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Biosensors are analytical devices that are able to convert a biological response into an electrical
signal. The “golden” biosensor must be highly specific, independent of physical parameters (e.g., pH,
temperature, etc.), and should be reusable. The research within the biosensing field requires a
multidisciplinary approach that involves different branches of science such as chemistry, biology,
and engineering. Biosensors can be categorized based on the biorecognition mechanism: with the
biocatalytic group comprising enzymes, the bio-affinity group including antibodies and nucleic
acids, and the microbe-based group containing microorganisms. The present Special Issue aimed at
summarizing the most recent findings and future challenges regarding biosensors.

In the last six decades, several biosensors have been reported as end-user and time-saving analytical
methods for the detection of multiple analytes (e.g., food, clinical, and environmental analytes). In 1962,
Professor Leland C. Clark published the first example of an enzyme electrochemical biosensor by
entrapping glucose oxidase in a dialysis membrane over a Clark-type oxygen electrode [1]. Moreover,
Guilbault and Montalvo reported on glass electrodes coupled with urease to measure urea concentration
by means of potentiometry [2]. Besides these first examples, electrochemical transducers have been
combined with enzymes, antibodies, and DNA as biochemical recognition components. Nowadays,
they represent the largest category of biosensors for food, clinical, and environmental sensing.

The increasing number of scientific publications focusing on biosensors indicates growing interest
in the broader scientific community (Figure 1). The present collection of the papers is devoted to all
aspects of biosensing in a very broad definition, including, but not limited to, biomolecular composition
used in biosensors (e.g., biocatalytic enzymes, DNAzymes, abiotic nanospecies with biocatalytic
features, bioreceptors, DNA/RNA, aptasensors, etc.), physical signal transduction mechanisms
(e.g., electrochemical, optical, magnetic, etc.), engineering of different biosensing platforms, operation
of biosensors in vitro and in vivo (implantable or wearable devices), self-powered biosensors, etc.
The biosensors can be represented with analogue devices measuring concentrations of analytes and
binary devices operating in the YES/NO format, possibly with logical processing of input signals.

In this collection, we combined twenty outstanding contributions focusing on different aspects of
the biosensing field, mostly highlighting recent advances and future challenges of DNA detection,
immunosensing, in vivo electrochemical biosensors, redox enzyme-modified electrode surfaces,
photoelectrochemical processes, field-effect transistor-based biosensors, etc., which can be considered
as biosensing sub-topics, as reported in Figure 2. A brief summary of each accepted contribution is
provided below to encourage the readers to go through them and “visualize” the state of the art within
the field of biosensing.

Among the big question marks in biosensing development, Vadgama certainly addressed one
of the main challenges regarding continuous and in vivo monitoring in complex media like blood or
human tissues. Based on recent findings, electrochemical sensors offer one of the few routes to obtain
continuous read-out and implantable devices information referable to specific tissue locations [3].
In this regard, wearable devices are at the forefront in both academic and industrial research on
biosensors. The main advantage for wearable technologies is the remote monitoring of human
health by biomarkers detection on the skin (e.g., continuous glucose self-monitoring in diabetic

Sensors 2020, 20, 6645; doi:10.3390/s20226645 www.mdpi.com/journal/sensors1
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patients). Nowadays, the minimally invasive collection of the sample implies the integration of
wearable biosensor platforms with microfluidic systems that allow information from the sample to
be transmitted directly from the skin to the electrode surface [4,5]. Moreover, the continuous and
minimally invasive monitoring of biomarkers has also become of fundamental importance in forensic,
biometric, and cybersecurity fields. McGoldrick et al. [6] reported on the possibility of using different
bodily fluids for metabolite analysis. This provides an alternative to the use of DNA in order to avoid
the backlog that is currently the main issue with DNA analysis by providing worthwhile information
about the originator.

 

Figure 1. The number of published papers mentioning “biosensors” derived from statistics provided
by the Web of Science. The search was performed for the keyword “biosensors” in the topic. (The
statistics for 2020 was not complete).

 

Figure 2. Biosensing topics and sub-topics and possible applications as analytical devices.
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Despite the efforts of the scientific community towards the development of minimally invasive
and wearable electrochemical biosensors for continuous and in vivo self-monitoring, the fundamental
theory behind electrochemical biosensors development still remains a landmark. In particular for
enzymes-based biosensors, most bioelectrochemists have focused their attention on possible solutions
to tackle direct electron transfer (DET) issues, which are important for enhancing the selectivity and
sensitivity of biosensors [7]. Particular attention has been devoted to the case of glucose oxidase (GOx).
Despite the huge number of publications on this subject, which unfortunately account for thousands of
citations, there is no solid evidence to support DET in GOx, as demonstrated by a stunning statement
made by George Wilson: “based on recent experimental results, the observed electrochemical signal
corresponds to the FAD cofactor non-covalently bound to the enzyme scaffold that comes out from the
redox enzyme upon application of potential, getting adsorbed onto the electrode surface” [8].

Beyond the use of GOx as a redox enzyme, there are several enzymes that are able to transfer
electrons according to direct or mediated pathways. In nature, many enzymes are attached or inserted
into a cell membrane, having hydrophobic subunits or lipid chains for this purpose. Their reconstitution
on electrodes allows them to maintain their natural structural characteristics and enables the
optimization of their electrocatalytic properties and stability. In this regard, Alvarez-Malmagro et al. [9]
discussed different biomimetic strategies to modify electrode surfaces in order to accommodate
membrane-bound enzymes, including the formation of self-assembled monolayers of hydrophobic
compounds, lipid bilayers, or liposome deposition.

Besides the “classical” enzymes-based biosensors, in the last two decades, many enzymes have
been coupled with semiconductive electrodes containing a light-harvesting material in order to
develop photoelectrochemical sensing devices. Del Barrio et al. [10] reported on the integration of
nanomaterials, such as quantum dots and titanium oxide (TiO2) nanoparticles with redox enzymes
(e.g., acetylcholinesterase (AChE), glucose oxidase (GOx), etc.), in order to enhance device sensitivity.
Considering the successful results in this specific field, future research trends will certainly involve the
investigation of different combinations of semiconductor materials and biomolecules and will also
consider the possibility of tuning the wavelength to develop a multi-analyte photoelectrochemical
biosensor. In particular, Neumann et al. [11] reported on the possibility of combining artificial and
natural heme peroxidases with semiconductive electrodes in order to offer new read-out possibilities
for hydrogen peroxide and phenolic compounds detection.

Moreover, the continuous and renown efforts toward the development of nanomaterial-modified
electrodes represent another aspect that has been deeply disclosed in the present collection. In particular,
Campuzano et al. [12] covered the topic of the modification of electrode surfaces with antibiofouling
reagents, which will eventually prevent the non-specific adsorption of biological species on the
electrode surface. This is an important topic, especially considering the research on multiplexed and
point-of-care devices as cost-effective and selective multianalyte detection methods. Among all the
strategies currently available to develop antibiofouling surfaces, the modification of electrode substrates
with different biomaterials, including monolayers, transient polymeric coatings, or multifunctional
peptides, is particularly attractive and promising.

In this collection, the use of structured materials, such as nanoporous metals, graphene, carbon
nanotubes, and ordered mesoporous carbon, for biosensing applications has been deeply discussed [13].

Recently, sulfur-containing nanomaterials and their derivatives/composites have been extensively
employed for the development of alternative biosensing devices. Li et al. [14] summarized the recent
findings and future challenges of employing metallic sulfide nanomaterial-modified electrodes,
particularly disclosing their specific properties, namely, nanometric scale, water dispersibility,
large specific surface area, excellent catalytic activity, conductivity, biosafety, photoluminescence
(PL) quenching abilities, photoactivity, and fascinating optical properties.

Beyond graphene and graphene-like-2D-nanomaterials (e.g., sulfur-containing nanomaterials
etc.), Khan et al. [15] reported on the possibility of exploiting MXenes as 2D-layered nanomaterials that
provide unique capabilities for bioanalytical applications. These include high metallic conductivity,
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large surface area, hydrophilicity, high ion transport properties, low diffusion barrier, biocompatibility,
and ease of surface functionalization.

Considering special features of nanomaterials, Stasyuk et al. [16] summarized the recent findings
about nanozymes. Nanozymes are defined as nanomaterials with enzyme-biomimicking features
(e.g., gold nanoparticles that mimic oxidases activity, etc.). This contribution gives an overview of the
classification of the nanozymes, their advantages vs. natural enzymes, and their potential practical
applications, devoting particular attention to the different synthesis methods developed so far.

Beyond enzyme-based biosensors, immunosensors are also used for the development of
point-of-care devices. In particular, Sharafeldin et al. [17] reviewed the most recent findings on
3D-printed immunosensing devices for cancer detection. In the last few years, 3D-printing platforms
have been used to produce complex sensor devices with high resolution.

Moreover, aptasensors and DNA-modified electrodes have also been identified as
point-of-care devices that are especially useful for quick diagnostics during pandemic emergencies.
Santhanam et al. [18] summarized the most recent findings about DNA/RNA-based biosensors,
especially considering classical detection method pitfalls, such as for reverse transcription PCR
(RT-PCR) and real-time PCR (qPCR), which are considered time-consuming and require specialized
professionals and instrumentation.

On this specific topic, researchers are not focused only on the development of new detection
platforms, but they are also addressing potential issues about biosensor sensitivity through different
signal amplification methods. Smith et al. [19] reported on recent findings and future challenges
surrounding DNA detection based on a direct restriction endonuclease (REase) assay. This assay allows
for detection at an attomolar level through an exponential signal amplification method based on a
cascade of self-perpetuating restriction endonuclease reactions, which induce continuous cleavage
of amplification probes, thus leading to exponential signal amplification. The proposed approach
provides a cost-, time-, and labor-effective alternative DNA detection method.

Besides the detection of DNA or antigens, immunosensors, DNA/RNA biosensors, and aptasensors
are currently considered in microbiology as powerful tools for the detection of bacteria cells at a single
cell level. These biosensors allow for the specific detection of bacteria in complex biological matrices,
often in the presence of excessive amounts of other bacterial species [20].

The research within the biosensing field is not only focused on electrochemical and optical
transduction techniques but is also currently considering different approaches to obtain a direct
electronic read-out, like for electrolyte-insulator-semiconductor (EIS) field-effect sensors, which belong
to a new generation of electronic chips. Poghossian and Schöning [21] gave an overview on recent
advances and current trends in the research and development of chemical sensors and biosensors
based on the capacitive field-effect EIS structure—the simplest field-effect device, which represents
a biochemically sensitive capacitor. Similarly, Sedki et al. [22] reported the most recent findings on
non-carbon 2D-materials-FET biosensors, discussing how transition metal dichalcogenides (TMDCs),
hexagonal boron nitride (h-BN), black phosphorus (BP), and metal oxides impacted the development
of the FET-based biosensors.
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Abstract: The disruptive action of an acute or critical illness is frequently manifest through rapid
biochemical changes that may require continuous monitoring. Within these changes, resides trend
information of predictive value, including responsiveness to therapy. In contrast to physical variables,
biochemical parameters monitored on a continuous basis are a largely untapped resource because of
the lack of clinically usable monitoring systems. This is despite the huge testing repertoire opening
up in recent years in relation to discrete biochemical measurements. Electrochemical sensors offer one
of the few routes to obtaining continuous readout and, moreover, as implantable devices information
referable to specific tissue locations. This review focuses on new biological insights that have been
secured through in vivo electrochemical sensors. In addition, the challenges of operating in a reactive,
biological, sample matrix are highlighted. Specific attention is given to the choreographed host
rejection response, as evidenced in blood and tissue, and how this limits both sensor life time and
reliability of operation. Examples will be based around ion, O2, glucose, and lactate sensors, because
of the fundamental importance of this group to acute health care.

Keywords: metabolite sensors; sensor biocompatibility; ion selective electrodes; foreign body reaction;
O2; glucose; lactate

1. Introduction

Physiological processes operate under highly dynamic conditions that are controlled by a multitude
of biofeedback systems operating on both long and short term timescales. These establish homeostatic
control within finite, set, limits. It is the essence of any multi-cell and tissue organism that it is able to
maintain relative internal stability in the face of unpredictable, and often undesired, environmental
change. Within the cell itself, sensitive surveillance mechanisms recognise status deviation and effect
timely responses, on an ultrafast basis if deemed necessary. These responses are all the more effective
where delivered through specialist tissues and the major internal organs. Complexities at this cell level
are only partially reflected in changes in the extracellular space. However, it is only the changes in the
latter that we are able to monitor and assess through available sampling and measurement capabilities.
For some extracellular parameters, these changes take place on highly compressed time scales and
justify frequent, if not continuous, measurement, for both a better fundamental understanding and
the better management of disease. These variables can be considered to be highly labile and their
dysregulation representsmajor failure of homeostatic control. Currently, these centre on ions, gases,
and small metabolites. Their potential for rapid change is also indicative of the potential value of
continuous monitoring to track their trajectory and help titrate therapy. The timing of any therapy
is of equal importance to its amount in certain types of critical illness and might influence recovery
and survival.
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For all practical purposes, only extracellular events are trackable. Moreover, the fractal and
multi-organelle architecture of the cell does not readily offer simplified messages that allows for easy
conclusions about its status or, indeed, that of the whole individual organism. This remains the case,
even if robust microsensors were to become available. A clear differentiation between the normal
state and disease is vital clinically and, whatever the biological value of intracellular monitoring,
any information thus secured will be a complicated case mix influenced by cell ageing, the cell cycle,
the micro-compartment sampled, the reaction of the cell to interrogation, and a myriad of other
unknowns that are not easily synthesised into workable diagnostic formulations. The occasional
exception is where disease disruption is so overwhelming that it leaves a substantial intracellular
signature leading to structural change, such as when an insoluble end product accumulates or a core
metabolic process is involved, as in some inherited metabolic diseases.

The earliest efforts with sensors were indeed directed at intracellular monitoring, but for enhancing
biological understanding. This involved pioneering work with wire and micropipette electrodes.
The latter as ion selective electrodes were particularly prominent, and were used to variously follow
intracellular H+, K+, and Na+, e.g., to study cell plasma membrane ion exchanges. A particular interest
was in excitable tissues, such as nerve and muscle [1], where ultra-rapid ionic exchanges mediate
membrane depolarisation and launch action potentials. Such work initiated our understanding of
cell physiology and the cell’s ability to function at high speed. Oxygen was the other intracellular
target, enabled through more robust wire-based electrochemical sensors [2]. Priority interest in oxygen
emanated from, and still remains, its central importance to the energy economy of the cell and the dire
consequences of its deficiency.

The cell, tissue, and whole organism hierarchy gives us a dimensional scale across which we can
select monitoring options at the supra-cellular level. For clinical purposes, it is at the whole organism
end of the range that we can see direct clinical value. This larger scale is fortunately readily accessible
to us via the blood circulation, accommodating invasive probes. Whole body physiology targeted this
vascular space in order to understand change in the intact organism. The current medicine paradigm
remains the use of blood as the ultimate pre-mixed representative of whole-body change. Whilst blood
is core to our disease understanding, it is still an approximate messenger, being differentially affected
by various tissues and with a compositional change that may also only be a diluted version of events
at local level. Our access and assay technologies in the clinical laboratory are still inevitably directed
at blood. A typical diagnostic biochemistry repertoire is 200 parameters, a triumph for analytical
science [3], but one less attentive to following rapid change other than by more frequent discrete
measurement. Yet, we already know there is advantage to continuously monitoring oxygen, certain
ions, and metabolites in blood.

Other fluids, such as urine and CSF, might have discrete measurement value, but continuous
monitoring is unlikely to be of added benefit. The tissue biopsy for targeted analysis lies at the opposite
extreme end of the scale for repeat measurement need [4]. Our developing blood biochemistry repertoire
has made it possible to gain a better picture of the timescale for variation. Thus, homeostatic control,
far from creating a biochemically static environment, effects a pattern of pre-set cycles and modulations.
Chronobiologists have elucidated such patterns for the healthy state, segregated variously into
ultradian, circadian, and also longer-term and less well understood forms of biorhythm [5]. In disease,
there is not only a deviation from normal set points for a biochemical parameter, but moment to
moment fluctuations that might change in dynamic character and could contain added information.
This has gone unrecognised because continuous tracking is not available, and the minor fluctuations
nominally trivial. Rapid change possibilities were understood in relation to monitored blood gasses:
pH, pO2, and pCO2 [6,7]. However, from what we now know of glucose and lactate, these and other
intermediate metabolites may well also exhibit rapid fluctuations.

In early examples relating to ions, continuous monitoring of blood was undertaken in animals
using ion selective electrodes (ISEs) in early physiology studies [8–11]. Striking speeds of change were
seen. These studies were remarkable in being well before the advent of the microfabrication toolkit for
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reproducible sensor miniaturisation. In one example, rapid change to arterial blood pH was shown
as a result of increased inspired CO2 composition (Figure 1) [12]. The conversion of CO2 to carbonic
acid by carbonic anhydrase in red cells, we know, is rapid, but its manifestation as a matching fast
outcome seen through blood [H+] is a useful dynamic indicator. More remarkable, perhaps, was the
observation, as in this study, of breath to breath pH oscillations due simply to normal breath to breath
pulmonary tidal pCO2 variation. The oscillations are stable, and remarkable for being observable in the
highly buffered entity that is whole blood. Interestingly, the amplitude of these oscillations parallels
respiratory CO2 excursions. The nature of these oscillations in respiratory illness and compromised
blood buffering remains an unknown, but could provide new clinically relevant information. Only a
fast response ISE with its millisecond response has the capability to unmask these hidden variables.
Sensor advances, combined with signal processing, might provide a valuable step forward in extracting
and processing such hidden information. Technically, the active membrane components used in ISEs
have changed little, a tribute to the early chemists. However, other newer design iterations could be
usefully pursued. An ion selective membrane for bicarbonate ion has yet to be made, yet bicarbonate
ion has huge importance for the acid-base status of the body in disease, and its dynamic variation
is unknown.

 
Figure 1. Arterial blood pH monitored extracorporeally at a carotid artery loop in an anaesthetised cat
using a glass pH electrode. End tidal CO2 was monitored by an infrared CO2 analyser. Administration
of 2% CO2 led to increased end tidal CO2 and a drop in arterial pH. The pH trace also shows breath to
breath arterial pH oscillations. Adapted from [12].

A classical basis for the in vivo sensor is its ability to follow a trend and thereby to pick up deviation
early, even whilst a parameter remains within the bounds of normality. With wider deployment of
such in vivo sensors, there will be greater identification of early variation and of the hidden dynamic
patterns that are linked to disease. Minor oscillatory and other minimal changes will need high
resolution sensing. Rapid response will also be crucial, as shown with pH. However, on the speed of
response, it is probable that a slower biosensor tracking of metabolic fluctuations will still be sufficient.
Oscillatory cycles for basal insulin and glucagon have been observed in blood, and are relatively
slow, on timescales of minutes. They also have a synchrony with a glucose oscillation of similar
periodicity [13], though the glucose cycling has an amplitude of merely 0.05 mM. Future sensors that
are able to track such minor cycling behaviour could allow linkage to be made to metabolite control
and its dysregulation.

The dynamics of oxygen change at tissue level were the focus of some early studies. These helped
to unravel interrelationships between oxygen delivery centrally and localised tissue oxygen uptake.
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The latter is modulated by the local microcirculation, itself in a state of dynamic variation. Silver [14,15]
investigated normal and solid tumour tissue pO2 using microelectrodes; Lubbers [16,17] used multi-wire
electrodes and tracked both oxygenation variability and microenvironment heterogeneity. The time
dependent shunting of O2 was regularly seen, involving complex cycling topologically connected to
the organisation of the vascular bed. The interstitial tissue space was thus demonstrated, for oxygen at
least, as the seat of complex gradients, which alsoreflected the balance of cell respiration against tissue
level fluctiations in blood supply.

A physiology study may only require a sensor to operate for a limited period, and this also under
highly supervised conditions. The progression to medical use poses a more severe challenge where
simplified, robust operation is the key. Technical refinements and miniaturisation have moved the field
along in analytical chemistry terms, but stable in vivo deployment and local tissue communication
has proved to be a more protracted challenge. In the absence of reference methods, monitored output
is always a combination of true metabolic readout and an uncertain, artefactual change due to local
implant site tissue change, including that leading to fouling on the device sensing surface. The balance
might well be towards a meaningful readout and not to artefact, but the latter can prove a remarkable
mimic of real change. The communication interface with tissue or blood is thus a weak link. Interface
stability is under constant threat from assembled biological reactivity that changes the very environment
intended as the sampling window into whole body changes. Our understanding of the complexity
of both the reactive process and it structural outcomes is still limited. Innumerable sensor design
approaches, including of new transduction routes, have been reported to combat the adverse effects
found in the host environment, but success has been partial, at best. For tissue, especially, the sensor is
merely another foreign body intrusion, and it is of no consequential difference to the host biology as
to whether it has been architectured as an ‘intelligent’ material or some other standard, unreactive
biomaterial. Emphasis is needed now on the biology to find a route to more reliable monitoring
and the promise that it holds. Recent work has begun to consider these extra-sensor processes and
their key elements. The balance of work, though, still does not reflect the centrality of the biological
question. Existing biomaterials research certainly provides a guide, but sensing research needs its
own approach now. On this aspect, the review summarises the response basics of blood and tissue,
and how these can affect sensor performance. Examples of dynamic monitoring, further, show why
the effort is worthwhile. Therefore, the review is really about the bio-interface. Detailed descriptions
of transduction chemistries and electrode designs can be found in the many reviews already published
on these aspects.

2. Sensors for Continuous Intravascular Monitoring

2.1. Ion Selective Electrodes

The ISE has two intrinsic advantages for monitoring. Firstly, it responds on the basis of surface
ion binding and does not require slow diffusive access to deeper structures. This delivers a response
within milliseconds. Secondly, response is on the basis of equilibrium ion binding, so a maintained
ion flux to the device is not needed. The first allows for unmasking of rapid transients (Figure 1),
the second is much less affected by surface fouling, other than possibly by a slower dynamic readout or
if a deposited layer itself has charge properties that alter ISE potential. The special feature to recognise
in practical monitoring is that ISE emf response is log-linear and, for a monovalent cation M+, this is
approximated in the Nernst equation by:

E = E− 2.303
RT
nF

Log[M+] (1)

where R, T, F, and n have their usual meaning. This means that concentration resolution that is based
on the emf will be considerably better at lower concentrations than at high ion levels. Only because of
this can we differentiate pH 7.35–7.45, the reference range for blood pH. The resolution of millimolar

10



Sensors 2020, 20, 3149

concentration ions is also readily achievable, but measurement is more challenging for a divalent cation,
such as Ca2+. Not only is the Nernstian slope of 61mV/decade (body temperature) halved, but finer
emf resolution is demanded than for Na+/K+; the reference range for blood Ca2+ is a mere 1.05–1.3 mM.
A further practical issue for blood use, likely to be made more complicated in a tissue matrix, is changes
to the liquid–liquid junction potential at the reference electrode. This is a combined function of sample
ionic strength/colloid composition through to cellul sedimentation and streaming potential, viz an
encounter with flowing blood. Finally, it should be born in mind that the ISE responds to ion activity
and not concentration; to that extent, it is a true thermodynamic measurement. The activity coefficients
at biological fluid ionic strength are around 0.65, so not only are matched calibrants critically important
to measurement, but any background ion change will affect the measured values simply via activity
change, even if true ion concentration is unmoved. Despite these uncertainties, ISEs have seen effective
clinical laboratory use through use of meticulous quality control and use of reference samples. Further
extrapolation to in vivo monitoring makes this challenging, especially without sample dilution, so it is
fortuitous that clinical value here is not conformity to accuracy per se as needed for standard clinical
decision making, but in picking up trends fast and in their timely management.

ISE biological sample use has been mostly without modification to device membranes. Indeed,
a material as unpromising and as bioincompatible as a glass pH membrane is usable in biological
fluids in the first place because of its independence from continued ion flux for a stable reading.
The more relevant issue for ISEs in vivo, though, is the potential toxicity of incorporated ionophores
and plasticisers. Though quantitatively small in amount, they are biologically active and toxicologically
risky; the standard plasticiser 2-nitrophenyl octyl ether, for example, is pro-inflammatory and active
ionophores will have cell membrane effects.

In the main, in vivo studies have focused on K+. It is of predominantly cellular origin, and its
abnormal release can both reflect and cause instability in excitable neuromuscular tissues. In an early
animal study, Hill et al. [18] devised a flexible intravascular catheter sensor for K+ with a membrane
comprising the K+ ionophore valinomycin in PVC and achieved low drift monitoring with a catheter
mechanical compliance suited to intravascular use. A tip diameter of 0.6mm enabled safe small vessel
insertion without flow obstruction. Femoral vein catheterisation in humans was achieved with low drift
(<3 mV/h) and enabled monitoring of rapid K+ efflux from muscle during exercise; even K+ transients
of <0.1 mmol/L were picked up [19]. A high pressure vessel poses an added practical catheterisation
risk, but arterial catheterisation has also been reported. In an animal study using a carotid artery
catheter, rapid K+ release from carotid body oxygen chemoreceptors was monitored during their
hypoxic stimulation [20]. The benefits of precise localisation of a sensor tip were shown using a
catheter advanced into the coronary sinus of the heat in human studies. This blood vessel serves as the
common venous conduit for blood draining the heart. In patients suffering from myocardial ischaemia,
K+ transients were shown that would have been undetectable within the general circulation [21].
Moreover, K+ release from myocardium correlated with the severity of ischemia [22].

Rapid blood Ca2+ transients have also been shown using indwelling catheters. In one report,
a synthetic Ca2+ ionophore was used with a plasticised PVC membrane [8]. In a study on dogs, cardiac
venous drainage monitoring showed Ca2+ perturbations due to injection of an ionised X-Ray contrast
agent [23]. With glass being unacceptable for in vivo use, pH catheters have been made using H+

affinity polymersand ionophores, e.g., octadecyl isonicotinate [24]. When applied to coronary sinus
monitoring, blood pH change could be tracked in cardiac ischaemia patients [25].

Much less has been accomplished with the fibreoptic monitoring of ions in medicine.
Few chromionophores are available for high selectivity binding to alkali cations, where ion binding is
both selective, and leads to high resolution optical change. Additionally, there is the risk of reagent
leaching and photobleaching, more likely during extended operation. However, fluorescent weak
acid/base dyes are readily available, and some have allowed monitoring. This includes of tissue [26]
and intravascular pH monitoring [27] in animal studies. In the latter, immobilisation of the fluorescent
dye within a sol gel matrix provided protection from photobleaching and use of a haemocompatible
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outer 2-Methacryloyloxyethyl phosphorylcholine (MPC)-cellulose membrane offered protection from
blood clotting, observed overeight hours. The operational advantage of an optical route is indifference
to background electrical noise and avoidance of a reference electrode. Ratiometric measurement
of fluorophore fluorescence with pH offers internal self-referencing to compensate for extraneous
artefactual optical changes. Miniaturisation is also readily possible without compromise to fibre
robustness, flexibility or integrity. Because response depends on equilibrium binding, biofouling,
as with ISEs, should be less of a problem, but response times are outer membrane diffusion constrained
and, hence, much longer than for ISEs.

2.2. ISE Biocompatibility

The active ionophore of an ISE is typically a high affinity, high binding reversibility agent, and if
able to exit the membrane could pose a risk in vivo. The direct consequence would be permeabilization
of the cell plasma membrane. The quantities used for small in vivo ISE membranes are clearly
insufficient for systemic toxicity, but they could still pose local tissue risk; regulatory approval in any
case would necessitate extensive testing compliant with standards. Discovery research for new ISE
membranes will be able to extend our analytical repertoire for ions, but should preferably now combine
biological with chemical screening. Cánovas et al. [28] undertook such combined evaluation studies of
ISE membrane components and tested cytotoxicity in vitro, notably for valinomycin, the most efficient
K+ ISE ionophore to date. Given its potential toxicity, the antibiotic mutacin, a polycyclic peptide,
was suggested as a possible alternative ionophore for K+. Much, of course, depends on of the extent to
which an ionophore will leach out, and this, in turn, will be a function of membrane permeabilization
via the co-entrapped plasticiser. The plasticisers assessed in this study showed varying degrees of
toxicity, and reinforce the desirability of pre-use screening. The polymeric ISE membrane itself should
not be a toxicity concern. A polymer is only really toxic in so far as it releases its small molecule
constituents. This could possibly arise from polymer biological degradation, as seen with polymeric
biomaterials. Indeed the reactive implant site has high degradation potential with its constituent
cellular hydrolytic enzymes, lowered pH, and free radical release from activated phagocytic cells.
So again, biological screening needs to be part of any new polymer development, other than, possibly,
in the case of established PVC or polyurethane.

ISE surface modification and coating for safe retention of diffusible membrane components is
unlikely in future, given the parallel need for target ion access. However, a possibility does exist
for reducing surface biofouling by a coating. Pharmacologically active agents for stabilising blood
platelets at the surface could also help to mitigate fouling, and surface hydrophilic layers, such as
of polydopamine [29], and hydrogels, such as poly(2-hydroxyethyl methacrylate) (pHEMA) [30],
have been reported. Zwitterionic phosphorylcholine is an integral component of the outer red
cell membrane surface, and when used, can confer a high degree of haemocompatibility [31].
Other biologically inspired molecules have also shown effectiveness. Surface immobilised heparin [32]
has been used, and a NO adduct in a membrane released thrombus countering free NO [33]. Heparin
works through binding antithrombin and thereby concentrating its anticoagulation effect if used at a
surface, and the ubiquitous signalling molecule NO provides surface protection through its platelet
passivating action. As with any small molecule agent, including mediators used for second generation
enzyme biosensors, whenever a new component is contemplated, the risks of agent toxicity also need
to be considered; the analytical benefits alone do not confer in vivo usability.

A further factor for any intravascular component is progressive thrombosis at a point other than
the sensing surface. The result could be flow blockage or disseminated thrombi to a distant tissue
location. Materials for surface biocompatibility are often only tested over limited periods, and usually
in vitro, so, whatever promise is shown might not transfer to in vivo deployment. One complicating
factor is physical vascular flow; platelets are highly environmentally sensitive, and they become
activated even by local flow turbulence, so surface deposits may occur due to smooth flow disruption,
regardless of any high material surface haemocompatibility.
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Future designs for ISEs, if used intravascularly, will need an integrated approach, whereby not
just the sensing surface, but also the flow compatibility of the entire construct in a confined blood
vessel will need optimisation. The starting point, though, is a recognition of the scale of this in vivo
biological challenge with blood. Testing with blood sub-components in focused studies and under
controlled conditions can only serve for initial understanding. There is a limit to the practical value of
such a reductionist strategy, with a resultant ever-present risk of overoptimistic commentary about
some new material or surface delivering almost completely what is needed. Whole blood is a high alert,
rapid response system that features multiple cooperative systems. It is able to harness a combination
of cellular effectors just like a tissue, andso is not dependent simply on diffusible humoral signalling
agents. It has evolved to recognise, package, and potentially degrade any foreign surface intrusion,
both as part of a fail-safe haemostasis and as a means of partitioning any 3D object exposed within the
circulation. Later parts of the blood response, in fact, begin to resemble those of tissue more closely.
From the first, transient, foreign surface encounter, it generates a coagulation cascade for thrombus
formation which accelerates through multiple enzymes and finally reaching an explosive rate in the
mass generation of the final fibrin crosslink layer. It also utilises a parallel complement cascade that
delivers surface coating protein (C3b) that promotes phagocytosis, amongst other effects, and the
promotion of inflammatory change in the clot. An ISE in vitro to in vivo transition is thus challenging
and warrants greater balance in blood vs. sensor basic research if the early gains of sensor design are to
be translated to routine clinical use. It might seem attractive to consider an intermediate solution with
the use of an extracorporeal sensor as part of a controllable external blood circuit. However, this also is
not a simple solution; whilst greater control over blood flow dynamics, coagulation, and calibration
are achieved, complicated pump flow control and sterility protection are now needed. A cumbersome
platform and secure fluidic supply can allowusage only be appropriate in high dependency clinical
care environments.

2.3. Oxygen Electrodes

After the adaptation of O2 polarography to in vitro blood use, via the Clark electrode,
the measurement principle has changed little. Electrodes use gas selective membranes that are
able to reject other solutes and ions while retaining an electrolyte film for stable cathodic O2

reduction. Also excluded are cells and colloids from the sample so eliminate working electrode
fouling. The electrochemical reaction is substantially more complex than the summarising four electron,
−0.65 V (vs. Ag/AgCl), reaction typically cited:

O2 + 4 e− + 4 H+→ 2 H2O (2)

It is dependent variously on oxygen adsorption, surface reactions and electrode material catalytic
properties, and is affected by solution conditions—alkaline vs. acid. Gold is the preferred working
electrode for oxygen. The electroreduction process here involves first the adsorption of hydrated O2,
then converted to hydroxyperoxide (OOH), a key intermediatesurface [34]. Subsequent reduction
may go by two 2e steps with H2O2 intermediary or by a combination of these with the above 4e
reaction. These also only represent some of the possible electron transfer reactions. The practical
aspect of H+ utilization is a possible pH induced drift in response due to alkalinisation of the low
volume electrolyte film of the Clark electrode. The electrode adsorption-reaction cascade here is also a
reminder of the ever-present risk of surface contamination effects. Low molecular weight species in
biofluids, especially, have the capacity to adsorb and disturb the catalytic surface, so such adsorption is
not limited to just macromolecules. This is also what Leland Clark effectively avoided with his gas
permeable outer membrane. This is less easy to avoid with porous membranes and a problem therefore
exists for the glucose sensor (vide infra). Bbiocompatibility problems are the consequences of diffusible
species warrant study, especially since only in the Clark electrode with its blocking polypropylene or
PTFE can internal contamination be totally discounted.
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Oxygen sensor miniaturisation for intra-arterial use has been achieved [35], but it is difficult
given the need for seamless attachment of a relatively inert hydrophobic membrane barrier material
to the body of the device. Equally, surface chemical modification forhaemocompatibility is difficult;
functionalisation here needs harsh treatment. Also, any deposited coating might delaminate, andany
residual exposed hydrophobic surface, will promote fouling through the extra tendency of hydrophobic
surfaces to denature adsorbed protein. Denaturation is more likely to trigger a greater host response
than with a non-denatured protein. Surface fouling for an oxygen sensor is important because its
response requires a continuous, stable flux of oxygen for a plateau response, in contrast to the ISE.

Vascular catheters as a monitoring route have been reported [36,37] in early studies, and a more
structurally refined catheter model has used the catheter wall itself, e.g., silicone, as the gas membrane.
NO release at such an electrode offered partial suppression of surface coagulation. In one example,
a double lumen silicone cannula was used where NO was electrochemically released from the second
lumen containing a nitrite reservoir [38]. Here, stabilised O2 output was seen during acute monitoring
of hypoxia (Figure 2). Surface coagulation, even though not entirely eliminated, could still be made
sufficiently low for extended monitoring subject to a design for sustained NO release. At such a blood
contacting device there is also the risk, in principle, that blood cells, notably nucleated cells, highly
active metabolically, can act as an oxygen sink, depressing measured O2 values. Platelets are also
active in this regard, though not the mitochondria deficient RBCs. Ultimately, the blood interfacing
problem could be amenable to resolution through synergistic use of locally delivered and surface
immobilized anticoagulant agent, along with refined catheter shape to sustain normal blood flow
profile. The extracorporeal answer to this is a multiparameter system available for neonatal use (VIA
LVM Blood Gas and Chemistry Monitoring System, VIA Medical) [39]; reliability here is achieved
through blood flow alternating with heparinised calibrant solution.

 
Figure 2. Double lumen intravascularly placed O2 catheter with haemo-protective NO delivery used
in rabbit jugular vein. (-) NO flow protected O2 sensor, (-) control O2 sensor. Blue filled circles are
intermittently sampled venous blood pO2 values assayed by in vitro analyser. (A) 100% inspired O2

was switched to 21%. (B) Return to 100% inspired O2 Adapted from [38].

Numerous dye functionalised fibreoptic sensors for intravascular pO2 monitoring have been
reported and for a period available in a commercial clinical intravascular catheter [37], where a triplet
of pH, pO2, and CO2 was monitored. Oxygen monitoring is universally based on dye fluorescence
quenching. Oxygen reversible binding to the dye leads to non-radiative transfer of energy and thus
reduced fluorescent emission/lifetime (Stern–Volmer relationship). This approach has a huge theoretical
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advantage over an electrochemical sensor in that a sustained flux of O2 is not needed for response and
so external transport constraints in vivo are reduced. Nevertheless, problems of surface coagulation in
blood and the dangers of thrombus generation are not avoided, and these can stilllead to artefactual
output change in measured pO2. Measurement uncertainty is further compounded by the catheter
wall effect, where catheter tip impaction against a vessel wall blocks off sensor surface blood contact.
Otherwise, practical performance is similar to that of electrochemical sensors, with dynamic response,
for example, being set by the membrane barrier interposed not the internal chemistry. The similarity
of reliability problems in blood for the contrasting type of devices attests to the often limited benefit
achieved with radical changes in transduction method.

3. Blood as a Reactive Sample Matrix

3.1. Protein Surface Interactions

Blood-surface recognition utilises multiple, complex pathways that are, as of yet, incompletely
understood. Both plasma proteins and the formed elements of blood, other than RBCs, have a high
tendency to adsorb to surfaces. Protein deposition commences within milliseconds, and is later
amplified through complement and coagulation cascades that deliver high mass surface coatings.
This is the start of the thrombus and, though it might be structurally indeterminate, it advances
through highly organised, controlled pathways. The speed and multi-factorial nature of the process
makesexperimental study difficult. Consideration of the idealised situation of a single protein as a
monolayer provides a model to understand the initial events. Immediately after the deposition and
attachment of a protein to any surface, conformational remodeling is initiated due to non-covalent
binding interactions with the surface and desolvation changes. Essentially, this is protein denaturation,
which leads to peptde chain unravelling and molecular dimensional expansion. Thermodynamicallly,
enthalpy lowering drives these surface attachments, but, since attachment also leads to a reduced
entropy, in order to compensate, available free loops unravel to thereby increase entropic freedom.
Such a molecule has been considered to have a ‘loopy’ conformation. It’s the result is that its surface
footprint increases in area. The extent of this unravelling process depends on time and, so for a given
mass, the area occupied will increase (Figure 3) [40]. If in a biofouling study, the assessment period is a
short one, then in this idealised situation, there will be a higher surface mass per unit area than if the
experimental time scale is a long one when the protein molecules have expanded with fewer needed
for full coverage, ie jamming. This makes for uncertainty in study comparisons. In the limit, all of the
molecules unravel and molecular surface density reaches a finite minimum.

 
Figure 3. Schematic of progressive relaxation of adsorbed protein layer and increase in surface
occupancy per molecule over time. Amount of protein needed for total confluent coverage (jamming)
of surface is reduced as time of experimental observation increases. Adapted from [40].
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The adsorptive behaviour of proteins from blood is orders of magnitude more complicated, but
still driven by the thermodynamics. This complexity is partly summarised by the Vroman effect [41].
This, in any multi-protein system, there is competitive protein surface binding and exchange, not yet
fully understood. Early protein adsorbates from high concentration proteins are later displaced in this
model by slower arrivals with stronger surface affinity. Typically, here, fibrinogen eventually replaces
albumin. This shifting protein interface creates a changing contact surface, and is also the trigger for
later biologically mediated cell and fibrin coagulum deposits. Protein denaturation is inevitable at a
surface, and this is also a stimulus for blood activation through its presentation of new protein motifs
(epitopes). Later, a different type of protein depositionbecomes activated, via the complement cascade;
opsonization, andthis is designed to facilitate phagocytosis by polymorphonuclear leucocytes.

Efforts to ultimately achieve zero protein adsorption would seem unrealistic with respect to
effectiveness against intact blood biology. Brash suggested an interesting alternative [42]. This envisages
that if deposition cannot be avoided, then surface directed selective protein deposition might prove
effective. Thus, a surface might be able to selectively invest itself with a defined functional property,
such as fibrinolysis (plasminogen adsorption) or anticoagulation (antithrombin adsorption). Reports on
haemocompatible sensor surfaces still indicate a continued quest for the single ‘magic bullet’ solution
where none may exist. Nevertheless, general rules may be derived from such studies, such as general
rules for hydrophobic/hydrophilic balance for lowered fouling and specific surface chemical motifs
that link to complement activation [43]. The surface protein profile together with its later remodeled
form [44] presents the real final contact layer for all the subsequent cellular processes organised by
blood. So from the start, the original engineered or chemically designed surface ceases to be the direct
material. Despite this masking, blood recognition continues and its reactivity remains as long as the
device is in place.

3.2. Blood Biological Reactivity

Following the protein interaction stage, the intrinsic coagulation pathway is initiated by
Factor XII surface binding. Complement C3, the core driver of the separate complement cascade,
causes independent protein coating and opsonisation. Complement C3 is triggered to fragment
autocatalytically and produces C3b adsorbate for surface opsonisation; a surface that is now an
attractant for inflammatory cells [45]. There is cooperation between the coagulation and complement
pathways, and this later leads to the incorporation of inflammatory cells within the developing surface
thrombus (Figure 4) [46,47].

 
Figure 4. Schematic of surface coagulation sequence. (A) Initial rapid protein deposition, in milliseconds,
subject complex, competitive displacement/remodeling via the Vroman effect, e.g., fibrinogen
displacement of albumin. (B) Surface activated C3 and Factor XII trigger complement and coagulation
cascades, leading to protein/C3b coating (opsonisation) and fibrin directed at the surface. (C) Platelets
contact with coated protein sets of adhesion response. (D) Platelet adhesion leads to activation and
promotion of fibrin clot, later inflammatory cells incorporated.
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The platelet is the specialist player of blood that really drives the development of a surface
thrombus and it is later one of its most prominent constituents. Its study is difficult because of its
environmental reactivity, including to the very surfaces used to handle it, and also its high sensitivity to
shear stress. Moreover, its response to the developing surface coagulum is involves specific pathways
triggered by specific surface receptor stimulation. The latter lead to dramatic morphological changes
in the platelet, including degranulation, shape change to a discoid, and multiple bridging/aggregation.
This super-structure of platelets and the entrapped fibrin then add to the growing thrombus [48].
For sensors, although the focus has been on surface chemistry, surface physical profile might also
be important. In one proposal, surface roughness of platelet dimensions (~2 μm) was considered to
offer a better match for platelet surface contact and, therefore, for thrombus formation than lower
dimension roughness giving less platelet purchase [49]. Leukocytes in blood also become surface
activated later [50], are then recruited into the thrombus, and promote further coagulation through
cytokine release.

4. Tissue Oxygen Electrodes

4.1. Compartmental Difference

The Clark pO2 sensor has also allowed for continuous monitoring of subcutaneous tissue pO2 [51].
Such a device has enabled the tracking of peripheral tissue pO2 during haemorrhagic shock [52],
but there are indications that there are compartmental differences between blood and tissue. This is
suggested for this study by an inter-sensor agreement that is greater than with venous blood (Figure 5).
The measured tissue pO2 was significantly lower than that of blood at the later part of the shock
experiment, a possible outcome of subcutaneous circulation shut down. Blood pO2 might, alternatively,
reflect deeper tissue levels, e.g., of the more protected central organs, but further studies are warranted.
Such changes cannot be readily decoupled from sensor drift, but if that was the cause, and then
the polyurethane oxygen permeable membranes used would need to be exceptionally lacking in
biocompatibility, and two hours had already been allowed for electrode stabilization.Post implantation
stabilization periods are considered as artefact and certainly no clear explanation is given over their
basis. However, the early drift seen during this run in period may well be a consequencet a tissue
functional response, e.g., microvascular changes, to the intrusion. Mechanical tissue damage and
microhaemorrhage will certainly also occur, but cannot be the full explanation. Calibration uncertainty
in tissue lends uncertainty to true tissue pO2 values, which, in any case, will show local differences at
the micron scale. Venous rather than arterial blood comparison was used for this study, though arterial
pO2 is the benchmark for clinical use. Here, arterial changes were only observed at a very late stage
haemorrhage; venous blood, derived from tissue, may more reflect tissue embedded sensor changes.

Gough reported the determinants of tissue pO2 under non-haemorrhagic conditions using a
silicone membrane covered electrode [53,54]. Again, the similar stabilisation delay and uncertainties
about tissue O2 were observed. They attributed variation in output at an array of tissue electrodes to
local differences in vascular flow, and also observed slow to rapid fluctuations of tissue pO2, which they
attributed to perfusion variation due to local vasomotor vascular control. The challenge with tissue is
that of extracting valid physiological information in the face of an evolving tissue reaction, essentially a
wound site. Surface biofouling raises the further uncertainty. A model for oxygen mass transport to the
electrode was established [54], which indicated that local mass transport resistance limited the sensor
response, whilst more remote oxygen delivery was rapid and associated with blood flows. The high
permeability membrane used in this study allowed for the resolution of such extra-sensor effects. Over
13 weeks, these flux sensitive electrodes picked up tissue reactions that led to decay in local tissue
O2 permeability, to ~10% of that in water. Even a collagen fibrous capsule build-up to 5 mm depth
apparently did not entirely abolish diffusive transport. Whist such a high permeability experimental
membrane can allow investigation of tissue effects, practical monitoring requires diffusion limiting
membranes to negate external transport variables. Even here, however, over long time periods, it might
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prove difficult to achieve this if a substantive fibrous capsule forms. With tendon as a model dense
collagen barrier, we found micro-solute diffusion to be just 1% of that in water [55].

Figure 5. Tissue pO2 changes monitored in single rat during haemorrhagic shock. Sensors at matched
implantation sites in flank. Initial haemorrhage clamped at reduced BP (40 mmHg); saline only
resuscitation stabilises BP (60–70 mmHg); haemorrhage to exsanguination with extreme, terminal drop
in BP. Resuscitation regimen would lead to cumulative blood dilution, progressively lowering oxygen
carrying capacity to peripheral tissue. Adapted from [52].

4.2. Tissue Micro-Heterogeneity

Tissue oxygen delivery distribution at a microscopic level is a field in its own right,
and numerous mapping studies of pO2 have been undertaken using microelectrodes [56,57]. Oxygen
micro-heterogeneity is variously a result of cell uptake, vascular delivery, and transport variation across
the extracellular compartment. Cerebral tissue has been a particular focus for study because cortical
blood vessels are more easily visualised, allowing for combined analysis of vascular organisation and
pO2 distribution. In one study, a <5 μm diameter recess tip electrode with a collodion membrane
was used to determine blood pO2 along a sequence of arteriole, capillary, and venule, together with
perivascular tissue oxygen distribution [58]. This showed not only the expected pO2 reduction along
the blood vessel cascade, but steep perivascular oxygen gradients extending ~60 μm into tissue giving
pO2 reductions of up to 80% intravascular values (Figure 6). Muscular arterioles of the CNS are
unique in providing through wall tissue oxygenation, so there were also gradients around these vessels.
Such work offers insights that may be useful for neurosurgery giving a detailed picture of oxygen
profile in CNS tissue. Additionally, the micro-delivery of vasodilator pharmacological agent to a single
vessel was examined showing that with resulting relaxation of the arteriolar wall, through wall oxygen
delivery was increased.
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Figure 6. Rat cortical tissue pO2 at varying radial distances from (-) arteriole, (-) capillary, and (-)
venule using 4 μm tip oxygen sensor showing exponential reduction with distance from vessel axis.
Inset shows microsensor (S) on 30 μm diameter arteriole with subsequent vessel dilatation after delivery
from nearby micropipette (P). Adapted from [58].

The question arises as to what macro-electrodes can tell us instead. They offer a ‘field of view’
extending hundreds of microns and, therefore, a sample aggregate of different tissue oxygen micro-sites,
blurring the fractal complexities. The uncertainty is what the exact size of this sampling zone might
be. The issue is typically bypassed by setting an empirical in vivo calibration against blood pO2 at
the start. The outcome is still meaningful in that trend monitoring of pO2, is obtained for clinical
purposes, egduring compromised tissue oxygen delivery [59–61] and in assessing cardiac oxygenation
dynamics during ischaemia/reperfusion [62]. A commercial electrode is available for specialist CNS
use (Licox, Integra Life Sciences Corporation) [63], but there is, as of yet, no general tissue clinical
electrochemical sensor. This commercial system samples oxygen through an extended 18 mm2 area
polyethylene tube so capturing changes across gross tissue regions. Again, uncertainties remain due to
interrelationships between microcirculation organisation, flow, vascular distance, and mass transport,
all balanced against cell metabolic uptake [64].

Beyond the validation of sensor stability using pre- and-post in vivo use calibration, there is no
simple means of establishing the true pO2 experienced by a device [63]. This is where the need for
disease correlates and diagnostic benefits diverge from the rigour of measurement science. An example
of clinical value is in the case of head injury wheremeasured hypoxia appears to correlates with
outcome. Some indication of the degree of uncertainty is shown by reported differences in monitoring
output when the principle of measurements is changed, e.g., from electrochemical to optical, but these
have been minor.

The CNS is a relatively implant tolerant tissue, a contrast to subcutaneous tissue that demonstrates
a florid, cellular inflammation. However, at the opposite extreme is when an inflamed tissue is
deliberately monitored. The Licox probe was used to measure the pO2 of inflamed synovial tissue
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in rheumatoid and psoriatic arthritis patients [65]. Variable degrees of hypoxia were seen, and the
degree appeared to correlate with disease severity. There was even the suggestion that hypoxia was a
driver of inflammation, as manifested by the degree of oxidative damage coupled with the degree of
hypoxia, and through the level of vascular damage and prevalence of T cells and macrophages in the
inflammatory field.Consistent with this possibility was the improvement in oxygenation seen following
anti-inflammatory therapy; pO2 doubled from ~20 mmHg in those who responded. A pO2 correlation
was also demonstrated in relation to T cell, but not for B cell, infiltration, suggesting a disease causal
link with the former. Any inflammatory milieu remotely like to this at a sensor implant site would
radically change measured pO2, and no longer reflect systemic levels. Despite the oxygenation causal
possibilty with the histology, there is also the likelihood that high respiring cells simply caused a low
tissue oxygen and the measured levels were a reflection of the respiring cell population.

4.3. Cancer Tissue

Solid cancers grow rapidly and can outgrow their vascular supply, already compromised
through disordered, dysfunctional blood vessels. Zones of hypoxia arise, which have a clinical
relevance, because hypoxia confers tumour radio-resistance. A range of analytical techniques has
been employed to study cancer blood supply and oxygenation and the field has been reviewed [66].
O2 microelectrodes, in particular, have made it possible to unravel the oxygenation architecture of
cancer tissue. A commercial recess tip oxygen electrode (Eppendorf, Hamburg, Germany) housing a
17 μm gold cathode and a PTFE barrier layer enabled sequential tip tracking across tumour tissue at
aligned 0.6 mm distances [67].

This generated oxygen distribution data (histography), which when combined for tumours
from many patients in the case of cervical tissue, showed a stark oxygen distribution difference for
normal vs. cancer. Incervical cancer, for example, median pO2 was a mere 10mmHg, as compared
with normal cervix at 43 mmHg, with also a huge preponderance (>60%) of exceptionally hypoxic
microenvironments (Figure 7) [68]. It is notable that, even in normal tissue, sites of near zero oxygen
levels do exist. Any hypoxia link to cancer prognosis appeared to be absent, but there is value,
nevertheless, to such study of the oxygen state of cancers.

 
Figure 7. Percentage frequencies of pO2 measured across (A) Normal uterine cervix (seven patients,
432 samples), (B) Cervical cancer (150 patients, 13596 samples). Shaded areas highlight percentage
prevalence of extreme tissue hypoxia of <5 mmHg. Each set of data represents combined data points
from multiple patient samples. Adapted from [68].

Tissue oxygen can also be monitored while using fibreoptic sensors. The principle of operation
is fluorescent quenching as with the intravascular oxygen sensor. There is potential for application
just as with electrochemical devices, and a widerange of critical care clinical applications have been
considered [69]. When brain monitoring was undertaken, the optical affinity system gave slightly
lower responses to an electrochemical device (Licox), and no advantage regarding response time was
evident [70]. Differences that were seen variously related to device tip geometry, the area of the sensing
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surface, and how close it was juxtaposed to tissue, but evidently not to sensing principle. A possible
discriminator of clinical relevance was the greater accuracy of the electrochemical probe at low pO2;
this could be of value in monitoring brain hypoxia. Stabilisation times is long, and this would affect
operational deployment of either device in an emergency situation. Yet again, transduction chemistry
is far less important than design.

5. Glucose Electrodes

5.1. Monitoring Needs

Glucose remains the most important target for continuous monitoring. Whilst detailed
electrochemical studies have reported on the mechanisms and optimisation of enzyme-electrode
electron exchange, for example, these alone cannot alone translate into operational benefit. Commercial
development has helped to advance the latter operational aspect, initiated previously through single use
strip technology [71]. Diabetes has now escalated in importance since the early days of glucose sensor
development, and so glucose sensing has risen up the health priority list, along with this, the interest
in continuous monitoring. Diabetes now poses a massive healthcare burden currently affecting 9% of
the global adult population. Within this group are the 5-10% Type I diabetics [72] needing insulin who
warrant closer monitoring to manage their therapy. They are also liable to marked glucose fluctuations,
e.g., during concurrent illness when insulin sensitivity changes. The brittle diabetes sub-population
lies within this group, and though small, has highly unpredictable insulin needs and difficult to
manage glucose levels; these patients are prone to dangerous hypo-/hyperglycaemia [73]. Accordingly,
continuous glucose offers specific benefits to the Type I diabetic, with a reduction of long-term vascular
and other complications through improved glucose control.

Sensors when used as single use devices allow for greater design flexibility permitting, for example,
genetically modified enzyme use, leachable/soluble mediator, and a host of modifie working electrode
surfaces. The major consideration here is mass usage, shelf life stability and calibration-free
measurement. Beyond that, survival in blood need only be for a few seconds. An in vivo sensor,
by contrast, can be allowed high calibration variabilty pre-use, but, beyond that, stability during use has
to be sustained over long periods, and the electrode surface, enzyme component and any incorporated
reagent components have to be guaranteed to be safe, or unable to be released. Hence, permitted
flexibility over design chemistry is limited. Additionally, intravascular sensors risk microthromus
dissemination, so, despite its uncertainty, tissue is the near-universal target for continuous glucose
monitoring (CGM).

5.2. Clinical Realities

Measurement based on O2/H2O2 transduction of the glucose oxidase (GOD) reaction forms the
basis of all CGMs:

Glucose + O2 → Gluconolactone + H2O2 (3)

By avoiding additional leachable chemical components and mediators, thisreagentless approach
complies withobligatory requirements for invasive use. Local toxicity, teratogenic, and other adverse
effects have also to be avoided based both on the general precautionary principle, and, regulatory
compliance. Unfortunately, the glucose Km for glucose oxidase does not allow for simple application
to clinical glucose levels without barrier membranes exerting control over glucose/oxygen access
to the enzyme layer. Given the dual substrate kinetics of the enzyme, that such membranes have
been developed with any success is an understated achievement. The oxidase not only depends
vitally on adequate, freely available, oxygen co-substrate, but its ambient levels then also dictate the
apparent glucose Km. In the discourses on kinetic pO2 effects at the enzyme, it is often forgotten how
precariously limited this oxygen is in terms of actual concentration. At a normal arterial pO2 range
of 80–100 mmHg, to a first approximation, Henry’s Law indicates oxygen concentrations of a mere
88–102 μM. This is distinctlyreaction limiting, below Vmax conditions of oxygen despite the low oxygen
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Km of 180–950 μM (BRENDA) for the enzyme. Apparent glucose Km is significantly lowered by O2

limitation under in vivo conditions. Moreover, this can be on a background of a possible down shift
in Km due to a diffusion limitation in the enzyme layer. Barrier membranes are firstly required to
diminish glucose access to the enzyme so sensor output is at the lower end of the Michaelis–Menten
saturation curve and, therefore, linear. Thereby, the enzyme also becomes less of an oxygen sink with
better maintenance of microenvironmental oxygen concentrations. Notwithstanding this, O2 transport
also has to be differentially advantaged, otherwise a reduced response with an unextended glucose Km

results. The membrane design challenge is to achieve this in the face of low transmembrane oxygen
gradients. Any benefit here through faster intrinsic oxygen diffusivity is limited; diffusion coefficients
in water are glucose 6.7 × 10−6 cm2/s, oxygen 20 × 10−6 cm2/s. Membranes with mosaic, composite,
or porous strictures are frequently used, accordingly. We are yet to achieve predictive membrane design
here despite the bofy of work on membrane modeling and innumerable reports on enzyme kinetics.

As a transduction principle, the second generation glucose biosensor offers a distinct advantage;
it removes the key variable of oxygen control. Its signature characteristic is its integral redox mediator,
which, when optimised for low potential, mostly also avoids extraneous electrochemical interference.
The first generation device, operating at a typical +0.65 V vs. Ag/AgCl, also necessitates a molecular
weight discriminating inner membrane as a barrier to any species larger than H2O2. This, however, offers
added physical protection from electrode poisoning by diffusible biochemical molecules, especially
those with thiol moieties. No such protection is possible with the second generation device, and this
may matter for long term monitoring. Moreover, leachable or soluble mediator is precluded for
in vivo application.

The exception to the in vivo sensor reagentless paradigm has been the osmium electron shuttle that
was developed by Heller [74], now used for clinical CGM (FreeStyle Libre, Abbott, Almada, CA, USA).
This uses mobile pendent pyridine groups along linear polymer chains for stable retention of osmium
(III/II) redox centres, whilst allowing their dynamic interaction to create a relay to the working electrode.
The sensor is accepted for 14 days monitoring use, and ultra-low (~2%) drift independent of calibration
has been reported [75], considered to be on the basis of a high biocompatibility covering membrane.
Even during normal dynamic glucose changes, there was stated to be concordance with blood glucose
values. However, this system, enters a new type of unknown into the measurement; devices are
already manufacturer calibrated to generate automatic blood equivalence [76]. This brackets a series of
known variables, including blood vs. tissue glucose relations within and between patients, glucose
dynamic change modulation of this relationship, and also any implant site dependence. Studies have
shown that all are variables affecting response, and they should be considered as factors that need
to be allowed for on an individual basis. Nevertheless, the clinical value of this approach has been
recognised through improved monitoring benefit to the patient.

Generally, in the literature the true measured glucose value in tissue is bypassed, as with oxygen,
and the starting point for data recording is after calibrated against blood in vivo. This is really a
form of data ratioing across compartments rather than a true calibration, and it provides no actual
information regarding the tissue state. Modeling of plasma-tissue exchanges by contrast recognises
delayed and variable exchange kinetics and the need to factor in genuine lag times to underpin data
correction [77,78].

Added to the physiological uncertainties, there are changes due to the reactivity of tissue at the
implant site. As of yet, no material has been able to claim the stealth performance needed to eliminate
the disruptive tissue reaction, despite the many sensor design iterations [79–81]. Performance decay
is also maximum in the hours following implantation; the so-called run-in period of hours to days,
which warrants separate consideration.

5.3. Membranes and Coatings

The coatings and coverings for glucose sensors have mostly used existing materials. The key
requirement is low surface fouling and stable glucose and oxygen permeability. Shichiri et al. [82] were
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the first to demonstrate such packaging in their use of polyurethane in an implanted device. We and
others have similarly utilised polyurethane [83,84]. Such repurposing of a medical polymer helps to
reduce the unknown risk of a new material and with appropriate porosity and diffusion control enables
a response that is sufficiently independent of sample physical properties or oxygen background for
the clinical glucose range. However, commercial CGM manufacturers have been able to develop and
incorporate new materials, as reviewed by McGarraugh [85]. The Guardian Minimed (Medtronic)
employs a block copolymer polyurethane with a glucose permeable hydrophilic diol phase for glucose,
balanced against a silicone that would presumably be O2 only permeable; the DexCom (DexCom Inc.,
San Diego, CA, USA) uses a hydrophobic/hydrophilic polyurethane mixture for balancing diffusive
transport with a presumably similar differential permeability intended. The minimisation of any
oxygen diffusion limitation for the enzyme reaction is part of the design goal for materials here. In the
absence of a mediator membrane transport selectivity provides an important means of achieving
this. The design challenge is the micromolar levels of oxygen concentration in tissue, likely to be
below arterial values. The FreeStyle (Abbott) departs from the polyurethane platform and uses a
functionalised vinyl pyridine-styrene copolymer, but the mediator based device here is, in any case,
O2 independent. One interesting claim made for the latter was of the unprecedented absence of any
tissue encapsulation, even after one year implantation, [80], though the muscle location here might
have been a factor.

Membrane innovations have also been reported for CGMs on an experimental basis. Moussey
has advanced a range of compositions that have variously included a hydroxypropyl methacrylate
hydrogel coating on polyurethane that reduced inflammation and fibrosis [86], humic acid films that
provoked less tissue reaction [87], and a structurally robust epoxy-polyurethane, which, though leading
to a fibrous capsule, also stimulated vascularisation [88]. In one study, a porous polyvinyl alcohol
scaffold was used as a covering matrix over the sensor, and this took up collagen growth from the
tissue surround, along with inward growth of new blood vessels. However, the collagen barrier effect
countered the blood supply benefit of increased vascularisation [89]. Nafion, a perfluorosulphonic
ionomer, has been extensively studied and, as a tissue contacting sensor surface, it has generated a
reduced tissue reaction with only a thin fibrous capsule at three months [90]. A comparative study of
negatively charged membranes as part of a sol gel layer, espectively, utilised Nafion, dextran sulphate,
and polystyrene sulphonate [91]. The results were similar for these, with thin collagen capsules being
seen at 12 weeks foreach material. The lack of a difference is a reminder that chemical refinement
does not necessarily change the outcome. Neutral polyethylene glycol (PEG) has well recognised
antifouling properties and, as a tissue contact surface, provoked less tissue reactivity with a reduced
local cellularity and tissue adherence [92].

Phosphoryl choline as an outer cell membrane zwitterion has been used to reduce protein and
cell deposition in blood at an intravascular glucose sensor located in the carotid artery of rats [93].
This was an acute study, and long-term outcome would need to be investigated.

Application has been transferred to tissue. Following initial combinatorial screening, a PEG
crosslinked phosphoryl choline polymer was used over a commercial CGM sensor in mice and primate
studies [94]. Inflammation mitigation by the phosphoryl choline reduced the need for repetitive in vivo
calibration. Blood to tissue glucose mismatch was reduced, although there was still late fibrous capsule
development. Phosphoryl choline translation from blood to tissue would be a valuable future direction.
Here and for other studies, the possibility cannot be excluded of changed surface mechanics, especially
with a gel. Tissue is reactive to surface mechanical cues. Whilst not necessarily due to mechanical
change, in one study, soft electrospun gelatin coatings on polyurethane fibres over sensors reduced
fibrous encapsulation, as compared with non-coated fibre [95].

As an alternative to the registration of H2O2 product, Gough has advanced the use of cathodic O2

measurement. In one study, a surgically fully implanted sensor was operated for a year [96]. A dual
sensor arrangement was necessitated here, with a second, non-enzymic, O2 sensor compensating for
background tissue oxygen variation. Glucose oxidase was used in a crosslinked gel and, whilst there
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was a tissue reaction and a steep response decline with the secondary oxygen sensor (Figure 8), the dual
O2 approach enabled glucose monitoring after two weeks. The wide statistical spread seen in responses
for different oxygen sensor implants indicates the variability of the local tissue response. Whilst
such a protracted stabilisation delay is an option, it would only seem so if long term implantation is
contemplated, and that demands a high level of confidence in a sensor that needs surgical implantation.
A subsequent six month human study with this sensor demonstrated stable oxygen compensated
glucose tracking [97]. The collagen capsule imposed response delay was of the order of 10 min,
so workable for clinical purposes.

Figure 8. Auxiliary oxygen sensor current decay in subcutaneously implanted glucose sensors in pigs.
Data represent one week moving averages of daily mean sampled currents and the spread of data for
60 electrodes. Adapted from [96].

Boronic acid is capable of reversible binding with saccharides and a diboronate system with an
attached fluorophore sensitive to glucose binding induced conformational change has been reported
for intravascular glucose monitoring [98]. This is an attractive possibility because of the theoretical
independence from the need for ongoing glucose mass transport during measurement. However,
there was a need for gel containment of the affinity molecule with membrane barriers to prevent
access to micro- and macrosolutes into the affinity phase. A special need was for an outer Pt modified
membrane to degrade damaging low level peroxides from blood. Response times of over 5 min. would
not be particularly slower than most electrochemical sensors. No interference was seen with potential
blood constituents, and use of membranes eliminated the effect of blood haematocrit on response.
Correlation data, whilst acceptable, appeared no superior to thatseen for tissue electrochemical sensors;
whether the affinity principle provides for greater reliability and independence from fouling would
need detailed comparator studies. However, it is unlikely that an electrochemical glucose sensor would
ever be a practical proposition for intravascular use; the intended use of the optical sensor was critical
care monitoring. Injectable boronic acid gels with non-invasive optical tracking have been reported for
glucose, but these constitute a rather different type of monitoring strategy, subject to the challenges of
safety and biocompatibility as well as reliable signal extraction through tissue.

5.4. Bioactive Molecule Release for Biocompatibility

Ahyeon, et al. reviewed drug loaded membranes [99]. Dexamethasone, a high potency steroid,
can suppress inflammation and late fibrosis; VEGF (vascular endothelial growth factor) can promote
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vascularisation to augment glucose delivery. However, biological complexities may becme evident.
Vallejo-Heligon et al. [100] found dexamethasone loaded polyurethane to both suppress inflammation
and to promote neovascularisation, extending the sensor operating period; however, its combination
with VEGF led to the depression of VEGF stimulated neovascularisation [101]. Despite a high early
implantation effectiveness of such loaded membranes, eventual reservoir depletion is a potential
drawback, especially given the use of thin, low capacity membranes. One study instead delivered VEGF
from a cannula while using an osmotic pump [102]. Neovascularisation was demonstrated, evident at
least 40 days at a tissue distance of 1.3 cm. Composite material designs might also extend function
life time. Dexamethasone when loaded onto poly (lactic-co-glycolic acid) (PLGA) microspheres of
two molecular weights provided early and late release with bioactivity retained for six months [103];
this wasconditioned by the differential degradation rates of the two polymers. With microspheres
embedded within porous polyvinyl alcohol (PVA), any surface fouling was offset by porosity recovery
as the microspheres degraded [104].

Bioactive NO releasing membranes have also been developed [105] with the aim of suppressing
pro-inflammatory cytokine release and thereby inflammatory cell recruitment. Stabilised sensor
operation depended again on a maintained NO reserve. Interestingly, here, the sensor run-in period
was short. A NO pharmacological effect might offer a clue to some altered tissue response, with perhaps
a link to cell signalling. NO is electroactive at anodic voltages, but, if its interference is constant,
then monitoring would be possible. In regard to this, the authors postulated that the variable generation
of endogenous NO by inflammatory tissue might contribute to signal instability.

The widening repertoire of clinical therapeutic agents, including biologics, should provide a new
generation of anti-inflammatory agents. Masitinib, a small molecule agent used to treat mast cell
tumours, is one example. Mast cells are central to the tissue response; they are immediately deployed
in inflammation, undergo ready degranulation, and through this variously release proinflammatory
cytokines, serotonin, and histamine, and thus accelerate inflammation. Masitinib works by blocking
mast cell receptors, thereby suppressing intracellular kinase signalling and stabilising the cell membrane.
However, when used as a released agent in a sensor [106], the protective effect was limited, certainlynot
as much as might have been expected from drug potency.

5.5. Tissue Reactivity to Implants

For bulk dependent implant devices, the tissue reaction is of a lower order concern, but for surface
response dependent sensors, even a minor reaction can have profound effects. When observed in
the opposite sense, tissue is actually the more sophisticated sensor. Thus, it has mobile surveillance
through its constituent cells, a strong capacity for recognising, even the smallest of foreign body
intrusions as ‘non-self’ and an ability to resolve shape; whatever way any three-dimensional (3D)
object is packaged, or disguised it is readily recognised. From this recognition starting point, a cascade
is established, embodied in the Foreign Body Reaction. This is designed to degrade the intrusion,
and failing that, to package and isolate it behind a fibrous capsular wall. It is too fundamental a part of
the armoury of an organism, linked to its very survival, to be readily countered. While the outcome for
the technology is seriously adverse, for the biology it is an unmitigated success. The current state of
the art is that, whilst we have dissected the complex response pathways, it is our understanding of
these that lags behind [107,108].

On implantation in tissue, as in blood, rapid protein deposition takes place and the device is
already packaged by a layer that, though conditioned by the original surface, itself then goes on
to condition the subsequent response (Figure 9). Early protein reorganisation, layer accumulation,
and denaturation characterise this initial growing protein layer. The tissue cellular tissue response
is subsequently affected by specific receptor binding to the adsorbed proteins. The first responders
are exploratory polymorphonuclear leucocytes (neutrophils) and, with mast cells, they initiate diffuse
chemotactic signalling to attract other phagocytic cells (macrophages). These amplify the directional
signalling and recruit even more macrophages. The bioactive factors released include PDGF (platelet
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derived growth factor), TNF-α (tumor necrosis factor alpha), and IL-6 (interleukin-6). To this mix are
added monocytes from blood, together with proinflammatory mediators, replenishing the macrophage
pool. If phagocytosis against the device fails, macrophages on the surface fuse to make more effective
multinucleated foreign body giant cells, through a trigger that is unknown [109]. There is also an
outpouring of degradative diffusible agents with no other purpose than to solubilise the intrusion, which
includes acidic cell contents, oxygen free radicals, and hydrolytic enzymes. Ultimately, degradation
might be a highly desirable biomaterials outcome if the agent is a surgical suture, but, if it is a sensor
membrane, it becomes a clear problem. Preferential degradation of the soft segments of a polyurethane
used for glucose sensors illustrates this [110].

 
Figure 9. Schematic of tissue foreign body response in sequence: (1) Rapid protein deposition
masks sensor surface; deposited layer increases. (2) Tissue neutrophils sense the surface and send
chemotactic signals, mast cells promote inflammatory background. (3) Macrophages accumulate
with population reinforcement by blood monocytes. (4) Failure to degrade surface stimulates more
powerful multinucleated giant cell formation from macrophages, with enhanced signalling. (5) End
stage of more quiescent collagen formation and cumulative barrier formation by fibroblasts with
parallel neovasularisation.

If the implant stimulus persists over days or weeks, a more cellularly heterogenous inflammatory
cell architecture is built up with added lymphocytes and plasma cells. Healing then ensues if there is no
outright toxicity. This progresses behind a cell layer adjacent to the device, and variously hosts a dense
network of inwardly directed blood vessels, fibroblasts, and macrophages; this is granulation tissue.
This is also the remodeling phase of the response, and a precursor to final collagen capsule deposition
by fibroblasts. This sequence of events around a non-toxic implant is pre-programmed constant,
and refractory to control with only its quantitative aspects varying across different materials [111] or
through suppression regimens.

5.6. Tissue Reaction Implications for Glucose Sensors

Some microhaemorrhage is inevitable during any implantation. The locally released RBCs can
then become a sink for glucose, though not for oxygen. After early RBC removal and the entry of
more actively metabolising nucleated cells, glucose and oxygen access to the sensor can both become
reduced. The direct injection of macrophages to a sensor implant site reproduced this effect [112],
but, interestingly, but not lymphocyte injection despite the equivalent metabolic activity of these cells.
Within days, a rapid population change occurs with an order of magnitude expansion of neutrophil
number followed by decay and a commensurate increase in lymphocyte number. No differences in
this tissue response sequence was seen in one study, regardless of whether or not the sensor was
operational and releasing toxic H2O2 into tissue [113]. What is a constant with all devices is that final
fibrous capsule formation is inevitable and it becomes the arbiter of what is then ‘seen’ by the sensor.
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Studies of beyond a week confirm such capsular development and its effect on glucose exchanges,
in one example leading to a 24 min. response lag following intravenous glucose [114]. The result
was also consistent with the arrival time of injected fluorescent glucose analogue. True physiological
glucose exchange between blood and tissue is considered to be quite rapid, requiring < 5 min. for
completion, so implanted sensors clearly create an artefactual delay.

The collagen capsule, far from being a simple, static accumulation of collagen fibres, is an evolving
structure with its own vascular network and an internal palisade of cells apposed to the sensor.
Novak et al. [115] took this structural duality into account in their modeling of glucose transport.
They concluded that lag time was determined by capsular thickness, whilst sensitivity was a function of
capsular porosity and local vascularity. Additional effects of macrophages and adipocytes metabolism
were small here. By contrast, glucose losses due to local cell metabolism were evident in a cell loaded
fibrin gel, and further accentuated by exposure to a pro-inflammatory agent [116], again highlighting
cellular influence on an inflammatory matrix.

Our own studies on implant sensor stability have led us to a materials independent strategy.
Whilst inflammation comprises a hypercellular environment with distinct histological characteristics,
it is also a zone of high, histologically silent, fluid influx due to permeabilised capillaries delivering
protein rich fluid, passaged then to the lymphatics, and also part returned to the microcirculation.
A balance of hydrostatic and osmotic transcapillary pressures drives the fluid flow, as embodied
in the Starling mechanism [117]. Our approach here was simply to deliver extra protein-free fluid
to the implant site. This utilised an electrode-cannula coaxial arrangement for low volume fluid
delivery around the sensor tip (Figure 10A). Subcutaneous tissue has a negative hydrostatic pressure,
and the arrangement used pumpless tissue driven flow. The resulting locally reduced protein load
both reduced sensor fouling and stabilised response. The response lag time with respect to blood was
eliminated and unusually, the measured tissue levels matched blood without in vivo correction.

Figure 10. (A) Schematic of subcutaneously implanted glucose needle electrode within open
ended cannula for delivering fluid around the implanted sensor to create a limited hydrated zone.
(B) Subcutaneous glucose monitoring in rat ( ) venous blood glucose, tissue glucose at 60 μL/h
microflow ( ) and at a constrained flow of 10 μL/h ( )) showing underestimated glucose and total loss
of response with clamped flow. Bolus tail vein administration of glucose (G) and insulin (I). Adapted
from [83].

Accordingly, far from local glucose being diluted, glucose access was likely to have been
enhanced through the well hydrated, open structure, interstitial tissue space (Figure 10B) [83]. Hence,
the conclusion of the approach is that a fluidized zone with rapid glucose exchanges with the blood
compartment is obtained. As both a practical and model system, fluid management of the interstitium
could provide an alternate means of manipulating the implant inflammatory environment.
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6. Lactate

As the end stage metabolite of anaerobic respiration, lactate offers a quantitative measure of
hypoxic and shock states where the peripheral tissue O2 supply is compromised. As such, it has formed
a core means of tracking the severity of such states and their response to treatment. It is inevitably subject
to rapid change, but, despite this, clinical continuous monitoring is not available. Some experimental
work on lactate oxidase sensor based in vivo monitoring in brain has been conducted. Here, oxygen
co-substrate limitation at the enzyme could potentially lead to underestimated lactate levels, so an
oxygen discriminating membrane has been one option [118]. Alternatively, stoichiometric regeneration
of oxygen from H2O2 product has been tried using incorporated CeO2 catalytic particles, and have
improved lactate response during brain monitoring in hypoxic rats [119]. As with glucose, without
an independent reference measurement in tissue, true tissue lactate level is difficult confirm. Direct
validation is possible in the case of an intravascular sensor, and anti-thrombotic NO release from
such a sensor for added device stabilisation has been reported with rapid response to both lactate
and hypoxia [120]. However, with subcutaneous deployment, a substantially blunted and delayed
response was seen. Moreover, in this pig model, upper vs. lower body implantation altered responses.
We have also found a blood-tissue discrepancy in experimental shock with subcutaneous electode site
dependent output [121].

The scale of the tissue mismatch well exceeds that seen with glucose and suggests that, at least
under shock conditions, there might be an added barrier to lactate release from the circulation.
This should not occur at the capillaries, which are not selective for micro-solute, but possibly in the
interstitial tissue space, which, as a polyelectrolyte, might create an ionomeric barrier to the lactate
anion. In diffusion through cartilage, we found the diffusion coefficient for ascorbate anion to be
a small percentage of that for similar size neutral molecules [55]. The complexities of blood tissue
compartmentalisation were shown in a study of muscle interstitial tissue [122]. Here, microdialysis
sampling demonstrated tissue lactate at rest to be double that of plasma water at rest, butlevels
converged with plasma during exercise elevations, whilst glucose at rest was about half that of plasma,
but again converged with plasma during exercise. The results indicated that muscle can control its
extracellular environment. Subcutaneous connective tissue will not have this capability. Our exercise
study with subcutaneous tissue microdialysis did not make a similar comparison, but it showed a
blunted lactate response, even delayed to the post-exercise period during which tissue glucose appeared
to falling [123]. Therefore, it is clear that study of different interstitial locations and comparisons
between techniques for lactate are needed to help understand intercompartmental exchange, for if we
do not understand these, our understanding of events even for the traditional blood compartment will
be limited.

7. Conclusions

Practical in vivo sensors are a unique sub-set of electrochemical sensors, and they constitute
a distinct practical offering when compared to the fundamental electrochemistry studies on, say,
cell signaling molecules and CNS neurotransmitters. Unlike many sensor types, including industrial,
they operate not merely in a hostile environment, but one that is active, reactive, and protean in its
nature. This rather counters the idea of biology as a benignmatrix presenting mild solution conditions.
The recruitment of high surface activity and destructive cells in high numbers renders the implant
site far from representing the normal physiological state locally and provides evidence of a contrived
effort at sensor disruption. However, our quest for data immediacy on some variables in the acutely ill
patient requires just such sensors.

There also remains a need for repertoire expansion into a broader palette of intermediary
metabolites, as these interact dynamically, and they will give added clinical information. Currently,
we better understand that, because of compartmental differences, there is an even stronger case for
developing the tools for examining these separate entities at different locations.
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Electrochemical sensors have been the mainstay of such endeavours, and this review has
highlighted the insights that they have given us. This reinforces the need to resolve the generic problem
of biocompatibility. It has been an inappropriate quest in many ways to search for the single material or
surface that absolves us from this problem—the result has simply been more model systems. The quest
needs to be far more deeply rooted in the study of the reactive biology. If nothing else, we have learned
that this reactivity is not surface restricted and has a signalling hinterland remote from the surface.

By addressing the right issues, electrochemical sensors will be able to expand their service from
physiology to precision medicine. Additionally, future development of closed loop feedback control
and autonomous therapeutic management will become feasible. Much of this capability is in place,
including sensing chemistry, but it is the biological control of the implant site that remains to be
resolved. A far better, multi-parameter, understanding of the individual’s dynamic bio-signature might
emerge from this, and would be in step with the needs of individualised therapy, currently advancing
through genomic profiling.

The implications for future development are that, from our experience of in vivo operation, it is
now clear that there are generic material and membrane needs that have to be satisfied to provide the
correct contact surfaces in vivo and through this a way of reducing the body’s reactivity. This might be
only partially achieved, as has been evident with biomaterials more generally, but still tailoring of the
device packaging now should be the priority. Success here can help to bring the field forward, as has
been evident in the case of implantable electronics. Semi-implantable sensors should be focused on
as these can allow ready removal and replacement. Further work with miniaturisation and multiple
arrays through microfabrication should also be undertaken by way of creating more reproducible
systems and for evolving less intrusive sensors. This will provide for greater measurement confidence
through multiple redundancy. What seems less of a need is the invention of ever more chemistries;
transduction advances will not deliver practical value without the interfacing and miniaturisation
effort. The review has only focused on a few target species, but, from the point of view of critical
care, they are entirely sufficient. If, finally, we can achieve a paradigm shift by creating reversible
label-free bioaffinity then a whole span of protein, hormone, metabolite and drug species come into
scope. The lack of rapidly reversible immunobinding may be a problem for in vitro assay, but it is a
major drawback to dynamic monitoring. It is, perhaps, time to also look around for rapid reversibility
systems that exploit cell membrane receptor principles.
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Abstract: Wearable devices are nowadays at the edge-front in both academic research as well as in
industry, and several wearable devices have been already introduced in the market. One of the most
recent advancements in wearable technologies for biosensing is in the area of the remote monitoring
of human health by detection on-the-skin. However, almost all the wearable devices present in the
market nowadays are still providing information not related to human ‘metabolites and/or disease’
biomarkers, excluding the well-known case of the continuous monitoring of glucose in diabetic
patients. Moreover, even in this last case, the glycaemic level is acquired under-the-skin and not
on-the-skin. On the other hand, it has been proven that human sweat is very rich in molecules and
other biomarkers (e.g., ions), which makes sweat a quite interesting human liquid with regards to
gathering medical information at the molecular level in a totally non-invasive manner. Of course,
a proper collection of sweat as it is emerging on top of the skin is required to correctly convey such
liquid to the molecular biosensors on board of the wearable system. Microfluidic systems have
efficiently come to the aid of wearable sensors, in this case. These devices were originally built
using methods such as photolithographic and chemical etching techniques with rigid materials.
Nowadays, fabrication methods of microfluidic systems are moving towards three-dimensional (3D)
printing methods. These methods overcome some of the limitations of the previous method, including
expensiveness and non-flexibility. The 3D printing methods have a high speed and according to the
application, can control the textures and mechanical properties of an object by using multiple materials
in a cheaper way. Therefore, the aim of this paper is to review all the most recent advancements
in the methods for 3D printing to fabricate wearable fluidics and provide a critical frame for the
future developments of a wearable device for the remote monitoring of the human metabolism
directly on-the-skin.

Keywords: wearable biosensors; metabolism; remote monitoring; sweat; microfluidic; 3D printing

1. Introduction

Nowadays, the prevention of diseases by monitoring the early stages is considered a very
cost-effective approach with respect to treatment costs once the diseases are fully manifested. This new
approach also leads to better health outcomes [1,2]. In this endeavor, wearable biosensors have
gained considerable attention. The high specificity, portability, fast detection, low-cost, and low-power
features of biosensors have made them very suitable as wearable applications. Wearable devices have a
considerable role in accomplishing these goals since the collection of crucial information in a continuous
and non-invasive manner is easily obtained [3–9]. The USA announced 2015 as “the year of health care
for wearables” [10], while The Huffington Post stated wearable technology is “the coming revolution
in healthcare” [11]. Wearable biosensors are advancing toward non-invasive monitoring. In this
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regard, microfluidic systems are very effective and helpful. Due to the important role of microfluidics,
manufacturing methods are required to be suitable for these goals. Therefore, an efficient, flexible,
fast, and affordable manufacturing method plays a huge role in the future development of wearable
biosensors and human health monitoring. Before we get into the manufacturing methods, first we will
discuss the wearable technology, its application in health monitoring, and the role of microfluidics in
their development.

Wearable technology is often referring to a category of wearable gadgets that can be worn directly
by a consumer for fun or just to track their physical activity and fitness. A different category of
wearable technology is medical wearable devices that can be worn by patients on their skin, on different
parts of the body, and often includes the tracking of the body’s physiological information related
to health, in some cases, at molecular levels [12–24]. Wearable devices can collect data on a 24-h,
seven-day basis, in several environmental settings, as people go through their daily routines at
home or at work [25]. Wearable devices are able to relay physiological information as the body
evolves over healthy and sick states. They can help persons to monitor themselves without expensive
equipment, and neither educated professionals nor teams of expensive medical staff are required [15,26].
Moreover, the characterization of non-invasive and wearable technologies for diagnosis is extremely
beneficial for both continuous health monitoring and diagnostics in early and pre-disease states.
They also allow a quick access of clinical information by the patients, which encourages people to
take more concern in their own health in a more comfortable and cheaper way, which also improves
compliance [27,28]. In recent years, several wearable devices to gather the body’s physiological
data have been proposed by the scientific literature, especially targeting personalized medicine and
point-of-care diagnostics [29], as well as home and fitness monitoring. Wearable monitoring is
provided by shirts [30], necklaces [31], tattoos [32], lenses [33], headbands [34], smart wristbands [35],
watches [36], shoes [37], eyeglasses [38,39], wristbands, and patches [40,41]. Different kinds of wearable
sensors perform clinical diagnostics by measuring the major electrolytes, metabolites, ions, acids, heavy
metals, alcohols, and toxic gases directly acquired in different body fluids [25,42], as shown in Figure 1.

Figure 1. Different shapes of wearable devices for health monitoring (tooth-mounted sensor photo courtesy
of Mike Silver, SilkLab, Tufts University, 23 October 2019 (reprinted with permission from [32,43–45])).
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There are several candidates as body fluids when looking to sample human molecules in different
ways (Figure 2). Blood is the most widely exploited biological fluid for clinical diagnostics. Access to it
is usually painful while difficult to reach with non-invasive techniques and more often impossible when
trying with wearable platforms [26]. Its collection usually causes bit of pain, and it may also provoke
phobias and cause discomfort to patients [28]. Its sampling is usually invasive and it is unsuitable
for long-term continuous monitoring [42]. As an alternative to blood sampling, interstitial tissue has
been considered, which is another option largely used by commercially available glucometers for
diabetic patients. For the sampling of glucose from the interstitial tissues, we still need to typically
pass through the skin, therefore, this approach is invasive as well. Blood is not necessarily informative
for health monitoring in the cases of some metabolites, so it is possible to transition from blood to
other body fluids, such as saliva, sweat, and tears for health monitoring. It provides non-invasive
approaches and in-situ monitoring, which is more attractive for the long-term applications of the
continuous monitoring of health in daily life [42].

Figure 2. The methods of sampling for several candidate biofluids: Blood collection usually causes
a bit of pain and can cause phobias and discomfort to patients. Before sampling saliva for a specific
analysis, the time and content of the last meal should be considered. Tears can be uncomfortable
or risky to sample. Sweat is easy to collect by painless techniques (reprinted with permission
from [43], needle-professional-arm-human-body-blood-skin-647863, Photo by https://pxhere.com/en/
photo/647863 is licensed under CC0 1.0, 5 October 2020).

Tears are a promising fluid for protein, lipids, and glucose detection. Tear sampling or its
continuous monitoring can be uncomfortable or risky in terms of irritation, which can produce
side-effects as well as mislead the sensor readings (e.g., by variations of pH). A capillary micropipette
and swab are usually used for tear sampling. When they are being used, the eye usually reacts
when coming close to an external object, and also some unwanted contact can cause irritation, which
makes sampling uncomfortable. On the other, any irritation with increasing the production of tears
can cause a reduction in the biomarker concentration. Saliva includes some markers for several
diseases, such as cardiovascular diseases, oral and breast cancer, and human immunodeficiency virus
(HIV) [46–48]. Because of the high alteration of the saliva composition from the last meal, it provides
limited physiological insight. Instead, sweat is a promising fluid for wearable sensing, providing
several analytes such as ions, alcohols, and drugs [15].
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Sweat is particularly interesting for non-invasive biosensing because it is an abundant source
of information on the inner physiological health, which can be determined from analytes, several of
them with potential as biomarkers for diagnosing diseases, e.g., such as ions [49–51], alcohols [18,52],
glucose [53,54], lactates [19,55] drugs, and heavy metals [15], as schematically shown in Figure 3.

Figure 3. Different kinds of analyte in sweat: biomarkers, ions, alcohols, drugs, and heavy metals
(Sweat_body_fitness_sport_fit_training_active_young-552041, Photo by https://pxhere.com/en/photo/
552041 is licensed under CC0 1.0, Bottle of whisky and three glasses on wooden table, Photo by
Lovely2912 form https://pxhere.com/en/photo/1593175 is licensed under CC0 1.0, 5 October 2020).

Genomics and proteomics play an important role in searching for new biomarkers in sweat.
For example, dermcidin (DCD) and prolactin inducible protein (PIP), in addition to blood, have been
found in sweat too [56]. DCD and its receptors are present and overexpressed on the cell surfaces of
invasive breast carcinomas, and their lymph node metastases as well as in brain neurons. PIP is instead
overexpressed in prostate cancer and metastatic breast cancer [56]. Tozser and his group analyzed
dermcidin (DCD) and prolactin inducible protein (PIP) in sweat by label-free mass spectrometry [57].
The discovery of new diagnostic molecules in sweat has, of course, pushed further the investigation of
new wearable diagnostic devices, which can also be located close to the place of sweat generation,
allowing a quick detection before the analytes biodegrade [15,28]. Therefore, and due to this new
attention towards sweat analysis, several novel wearable and flexible sweat analyzing platforms have
been recently proposed for in situ analyses and continuous health monitoring [12,16,18,19,43,53,54],
as shown in Figure 4.

Despite the evident advantage in terms of non-invasive diagnostics, on-body sweat sensing
presents several issues including but not limited to liquid evaporation, low sweat-volumes, irregular
volumes in the case of non-stimulated sweating, contamination, interfering chemicals from the
environment, the need for the continuous sampling of fresh sweat, and biodegradation [26].
An appropriate sweat sampling method is then very crucial to prevent measurement artefacts being
evaporated and the contamination of sweat specimens. An effective sweat transport by a fast sampling
system can minimize the crossover effect due to the mixing of new and old sweat samples. These
undesirable effects are overcome by developing proper microfluidics [16,43]. Typically, the design of
microfluidic platforms is carried out with the goal of improving the following functions: (1) collecting
body fluids in proper ways, (2) transferring the body fluids to the detection site, and (3) supporting
the detection in the right conditions [58]. Figure 5 shows a possible conceptual scheme of such a
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microfluidic system. Here, the microfluidics typically provides continuous sampling by conveying the
sweat along a controlled fluidic channel and then enhancing the sensing in a well-defined encapsulated
acquisition chamber. Thin microfluidic layers are typically designed as sweat collectors to bring the
sweat on the electrodes, preventing any further re-absorption of the electrodes back to the skin, and
also preventing sweat evaporation [59,60]. If built with soft and flexible materials, microfluidics easily
addresses some of the requirements for wearable devices, such as being lightweight, comfortable,
and conformable [58]. Moreover, the sensing accuracy and reliability is significantly improved by
allowing the sampling of precise liquid amounts. This is particularly beneficial since body fluids
are often secreted in limited quantities, while the lower sampling volume also reduces the burden
on patients. Moreover, microfluidic systems may also integrate little reservoirs for solute storage
in case of the need for further injections to the detection part, typically at controlled intervals, for
detection purposes, e.g., in case of labelled detections [58]. The primary fabrication methods for
microfluidics were photolithographic techniques and chemical etching with rigid materials, such as
silicon and glass, which are non-flexible and expensive. Because of the limitations of these methods,
three-dimensional (3D) printing methods were considered, which are cheaper and more flexible. In 3D
printing processes, materials are solidified with computer control to create a three-dimensional object.
In Section 2, we will take a brief look at microfluidics and the original methods of making them and
their challenges. Finally, in Sections 3 and 4, we will discuss why the traditional methods have given
way to 3D printing methods today, and the details of the 3D printing methods suitable for wearable
sensors and their applications.

 

(A) 

(B) (C) 

(D) 

Figure 4. Wearable sweat analyzing platforms: (A) a wearable tattoo-based iontophoretic-biosensing
system for alcohol monitoring (reprinted with permission from [18]), (B) an electrochemical tattoo
biosensor for real-time non-invasive lactate monitoring in human perspiration (reprinted with
permission from [19]), (C) a wearable microfluidic device for the capture, storage, and colorimetric
sensing of sweat for markers such as chloride and hydronium ions, glucose, and lactate (reprinted
with permission from [43]), and (D) a wearable biosensor platform for the simultaneous monitoring of
sweat and interstitial fluid for components such as glucose and alcohol, subfigure i–iv shows the tattoo
application process and mechanical deformation tests of transferred tattoo respectively (reprinted with
permission from [32]).
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Figure 5. Schematic of wearable microfluidics: (1) sampling, (2) transferring to the site of detection,
(3) detection by electrochemical sensors (reprinted with permission from [55]).

2. Microfluidics

Microfluidics is now a well-consolidated field of research, which deals with fabrication on the
micron-scale of systems for manipulating fluids. It is most commonly identified by device fabrications
with critical sizes of fluidic channels of less than 1 mm [61]. The field of microfluidics has grown rapidly
over the last four decades since it emerged in early 1980s [62]. Numerous theoretical studies have
been conducted in this field that play an important role in the making of an efficient product [63–65].
In one of these works, a novel continuous flow magnetophoretic microfluidic device for the separation
of magnetic microparticles, based on size, is presented [64]. Some of the effective parameters on the
motion of microparticles into the microchannel and the associated performance metrics are: the location
of the outlets, microchannel height, fluid velocity, and ratio of inlet and of the outlet flow rates. In order
to investigate the relationship between the operating and geometric parameters on device performance,
a mathematical model is developed. Designers using a mathematical model can choose the parameters
for the magnetophoretic microfluidic device with the best performance metrics. In recent years, many
of the applications of microfluidic technologies to chemistry, biology, and medicine (e.g., see Figure 6)
successfully appeared in the literature mainly due to their great advantages in terms of low volumes,
high sensitivity, rapid processing, high spatial resolution, high integration with sensing components,
and easy control. Undoubtedly, a short fabrication time, easy prototyping, and simple and cheap
methods played an important role for the success of microfluidics [62,66,67].

  
(A) (B) 

Figure 6. Microfluidic devices: (A) artificial organ-on-chip, (B) electrochemical detection of drugs
(reprinted with permission from [68,69]).
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One of the very first microfluidic devices was developed by Andreas Manz and his team in
the early 1990s [70]. Such devices were originally fabricated in silicon or glass by a conventional,
planar photolithographic technique, and chemical etching, by adapting techniques typically used in
microelectronics. These kinds of methods are precise but expensive, non-flexible, and poorly suited
to exploratory work by prototyping [71]. As the field has progressed, alternative methods, such as
laminate manufacturing methods, various polymer molding technologies (e.g., hot embossing and
injection molding) and 3D printing, have emerged for the fabrication of channels with the requisite
sizes [61]. Traditional methods have failed to address some of the barriers, while the commercialization
of microfluidic devices with 3D printing is able to overcome said barriers. Some of these barriers include
a non-standard user interface, complex control system, and the speed and cost of the liquid polymer (i.e.,
poly(dimethylsiloxane) (PMDS)) modeling. In the 3D printing method, various materials with different
properties (e.g., transparent and biocompatible) have been developed that can be used according
to the application of the microfluidic device. So, among the several possible methods, this review
focuses on additive manufacturing, namely the modern industrial method to create three-dimensional
objects, typically in a computer-controlled manner, by progressively adding material, typically in a
layer-by-layer approach: the so-called 3D printing.

3. Three-Dimensional Printing Methods

Additive manufacturing, namely 3D printing, has enormous potential for a considerable
contribution to the field of microfluidics. In particular, its ability to create truly three-dimensional
structures with very complex features in a single step and start from a digital model has obvious
attractions for the easy prototyping of very complex microfluidics [72]. This technology was developed
originally by Charles Hull in 1986 [73]. In general, 3D printing is an additive manufacturing (AM)
technique, proposed for the fabrication of a wide range of structures with computer-controlled processes
based on three-dimensional (3D) digital models of the object to print (Figure 7). The process includes
printing consecutive layers of materials that are formed on top of each other [73], while digital models
provide an extremely flexible way to design and shape the objects. Typical fabrication thicknesses are
in the range from 0.001 to 0.1 inches for each printed layer [74]. Additive manufacturing, or 3D printing
as it is more often known, has received considerable interest in more recent years in both the academic
community and the business society, and it has been mentioned as a third industrial revolution [72,75].
In fact, 3D printing offers many advantages with respect to traditional manufacturing, including an
improved versatility, less waste, more freedom in design, a low-cost fabrication, high-automation, and
short fabrication cycle time [73,76]. Three-dimensional printing technology allows for the creation
of objects with complex internal structures with fewer space requirements [76]. Three-dimensional
printing is also suitable for fabricating parts of various sizes from the micro- to macro-scale [73,75].

Figure 7. Three-dimensional printing process (3d-printing-a-2014-horizonwatching-trend-summary-report-9-638
by Kholoudabdolqader is licensed under CC-BY-SA-4.0, 1 October 2020).

Product customization has been a challenge for traditional manufacturers, typically due to the
high costs in fabricating the mold, especially for small-scale productions of custom-tailored products.
On the other hand, 3D printing is able to print small quantities of customized products in plastic (in 3D)
with extremely low costs compared to traditional mold-based productions. This is specifically useful
in biomedical fields, whereby unique patient-customized products are also required [73].
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Actually, the name “3D printing” includes various methods for additive manufacturing
(see Figure 8).

(B)

Figure 8. Three-dimensional printing methods: (A) various methods for additive manufacturing:
stereolithography (SLA), two photon polymerization (TPP), selective laser sintering (SLS), multi-jet
modeling (photopolymer inkjet printing (MJM))/ inkjet 3D printing (i3Dp), direct energy deposition
(DED), electron beam melting (EBM), fused deposition modeling (FDM), laminated object manufacturing
(LOM), selective laser melting (SLM), (B) related taxonomy on the base of the product printing way
(reprinted with permission from www.additively.com, [77,78]).
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By following the new incoming needs of human monitoring (e.g., serious critical concerns about
the increasing medical costs related to the aging of the populations in west-countries), an emerging
trend in mobile health (mHealth) is about developing new kinds of monitoring systems by the
integration of different sensory devices in wearable single-platforms to achieve more complex and
efficient monitoring functions for the new concept of digital biomarkers [79]. Of course, several new
wearable devices are already on the market with the capability to acquire data, e.g., about temperature,
location, physical activity, etc., while very few of these devices already on the market are capable
of providing real measurements on molecules that are usually used in diagnostics and possible to
find on-the-skin. On the other hand, many examples of possible approaches to realize wearable
systems for molecular measurements have already appeared in the scientific literature. These kind of
devices typically imply the intimate integration of electrochemical or optical biosensors with proper
microfluidics in order to collect sweat from the skin and convey it, as well as its molecular content, to
the sensory platform. Among the many different and possible approaches for fabricating such systems,
we will focus here on 3D printing techniques and related materials for building wearable microfluidics
to be then integrated in biosensors.

All 3D printing techniques are not appropriate for microfluidics. The most widely used 3D
printing techniques for microfluidics are selective laser sintering (SLS), fused deposition modeling
(FDM), inkjet 3D printing (i3Dp), laminated object manufacturing (LOM), two photon polymerization
(TPP) and stereolithography (SLA) [78,80–86]. Since we are pointing out here the work done for
wearable biosensors, this review focuses only on progress made towards the use of 3D printing for
the fabrication of flexible microfluidics. Polymeric substrates are widely used in flexible devices [58].
The polymeric suitable approaches that have been already successfully to this aim include fused
deposition modeling (FDM), inkjet 3D printing (i3Dp) and stereolithography (SLA) [72]. These 3D
printing techniques also provide the opportunity for using multi-material to improve the quality of
the final printed product [87,88]. Therefore, these three methods for 3D printing of wearable fluidics
are discussed more in detail in the following sections of this paper. Table 1 summarizes the materials,
benefits, and limitations of the three 3D printing methods suitable for wearable microfluidics.

3.1. Fused Deposition Modeling (FDM)

The fused deposition modeling (FDM) appeared originally in a patent obtained in 1992 and this
technology was, and still it is, commercialized by the company Stratasys, funded by Scott Crump,
the inventor of this 3D printing approach [76]. This process works by depositing layers through
extrusion and fast condensation, in different locations, driven by a computer based on a digital model
of the object-to-build [73,89], as schematically shown in Figure 9. The method uses a motor-driven
nozzle that moves in three dimensions. A continuous filament of a thermoplastic polymer is extruded
on the build platform after heating the nozzle head. After extrusion, the material cools down and
solidifies immediately.
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Table 1. The materials, benefits, and limitations of the three 3D printing methods suitable for
wearable microfluidics.

3D Printing Methods Materials Benefits Drawbacks

Fused deposition
modelling (FDM)

Polyethylene terephthalate (PET)
Polystyrene (PS)

Polycarbonate (PC)
Acrylonitrile butadiene styrene (ABS)

Polycaprolactone (PCL)
Poly-lactic acid (PLA)

Polybutylene terephthalate (PBT)
Polyglycolic acid (PGA)

Polypropylene(pp)

Low cost
High speed
Simplicity
Low-cost

Manufacturing of centimeter-sized
prototypes

Using inexpensive biocompatible
polymers

Weak mechanical properties
Limited materials (only

thermoplastics)
Layer-by-layer finish

Leakage due to filament bonding
Difficulty of removal of support
structure for complex internal

features
Inter-layer distortion

Inkjet printing (i3Dp)

Soft elastomers
Liquid metals (i.e., EGaIn)

Wax-based inks
Liquid suspensions

Acrylonitrile butadiene styrene
(ABS),

Polystyrene (PS),
Polypropylene (PP),

Polymethylmethacrylate (PMMA),
Polycarbonate (PC)

Ethylene propylene diene monomer
(EPDM)

High-impact polystyrene (HIPS)

Layer-by-layer fine structures
Fast

High resolution
smooth surface

Low cost
Ability to easily print highly complex

devices without using lithography
Precise control

Realizing microfluidics directly on
other systems without any bonding

steps
Absence of sticking agents in

between layers

Difficulty in removing the
support material

Layer-by-layer finish

Stereolithography (SLA)

Epoxy
Hybrid resins

Acrylate based resin
Clear acrylic polymer

Elastomers and ceramics
Composites of photopolymers

Hybrid polymer-ceramics

High quality
Smooth surface

Use flexible resin
Fine resolution (a nometer scale)

custom low-cost resins
No need for external alignment

Ability to directly print the channels
Manufacturing complex

nanocomposites
Making a monolithic structure
without the need for bonding

Slow printing
Sometimes expensive chemicals
Low biochemical adaptability of

the resist
Limited choice of the materials

 

Figure 9. Schematic representation of FDM (reprinted with permission from www.additively.com).

In this method, the thermoplasticity of the polymer is strictly required to obtain the fused filament,
which is a key component of the entire fabrication process. Thanks to this property, different polymer
filaments may fuse together during printing and then solidify [73]. The mechanical properties of the
printed parts are clearly dependent on the processing parameters. The main processing parameters are
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the width and orientation of the filaments, layer thickness, and air gaps in some of the layers or between
the layers [73]. FDM can be successfully used in several applications with inexpensive biocompatible
polymers such as polycaprolactone (PCL), polylactic acid (PLA), polybutylene terephthalate (PBT), and
polyglycolic acid (PGA) [63,78]. The main benefits of FDM are the low-cost, high speed, and simplicity
of the method [73].

Despite the advantages, FDM presents some drawbacks, such as the weak mechanical properties
of the final realized solid and evident appearance of the layer-by-layer built structure, a poor surface
quality [62], leakage due to the filament bonding when used for fluidics [89], and a limited number of
thermoplastic materials are available to use [73]. The main cause of mechanical weakness is related to
the inter-layer distortion [73]. Moreover, FDM usually requires support structures, of which removal
may be difficult due to the complex internal features of the object [89]. Another drawback of FDM
in producing microfluidic systems is the difficulty in appreciating the details of the printed systems.
This drawback is because of light diffusion. Optical microscopy is used for the investigation of the
systems. The polymers used for layering create light diffusion and make the optical investigation of
the realized channels difficult [89]. To solve this problem, the optical transparent windows have been
integrated inside the 3D printed microfluidic system [89]. Integrating optical transparent windows
is typically possible by stopping the printing process to insert more transparent materials, and then
restarting again the printing process. So, this method makes it hard to ensure a leakage-free sealing
between the inserted part and the main body of the device [89]. Finally, the resolution of FDM is still
on the way for improvement in terms of dealing with fluidics: it is less efficient than other 3D printing
systems as compared, for example, to stereolithography (SLA). However, as we will see in the following,
SLA presents higher costs for buying both the printer and the materials, while it requires more complex
steps to complete a printed device [89]. On the other hand, the fabrication of microchannels with
FDM is still a true challenge since the typical required size of a typical channel is usually smaller
than the size of the extruded filaments [78]. Fabrications of channels with a well-defined sidewall
geometry and straight walls are also difficult to obtain since the process creates rough surfaces [81].
After the extrusion process, the filaments cannot be arbitrarily joined at the channel intersections [62].
Because of the fast hardening of the extruded materials, the adjoining layers are not well fused,
causing the low structural strength of FDM-printed products [78]. To increase the intra-layer strength,
improvements such as creating covalent bonds for cross-linking between layers by using the thermally
reversible Diels–Alder reaction and gamma-irradiation post-printing have been recently proposed for
improving the properties of FDM-printed products [78]. or all these several reasons, the FDM remains
a challenging technique for the fabrication of microfluidics.

On the other hand, we can successfully use the FDM method to fabricate some other components
or parts usually required on integrated wearable systems: e.g., batteries [90], strain sensors on flexible
substrates [91], light-emitting diodes (LEDs) [92], antennas on 3D surfaces [93], interconnects [94],
electrodes within biological tissue [95], microfluidic pumps for wearable biomedical applications [96],
electrochemical detectors [97] and other microfluidic devices [28,88], as shown in Figure 10.

For biomedical applications, inexpensive and biocompatible polymers from spools of filament are
possible to be used in FDM [78,80,82]. In particular, the ones mainly used are: acrylonitrile butadiene
styrene (ABS, the polymer of Lego), poly (lactic acid (PLA, a biodegradable polymer)), polycarbonate
(PC), polyamide, polyethylene terephthalate (PET) polycaprolactone (PCL), polybutylene terephthalate
(PBT), polyglycolic acid (PGA), polypropylene (PP), acetoxy silicone polymer and polystyrene (PS).
There is an alternative version of FDM that uses, instead, liquid precursors which are extruded through
a nozzle without heating. In this way, FDM may extrude a wide range of other materials, such as
metallic solutions [80], hydrogels, and cell-based solutions, also including composites to strengthen
the mechanical properties of 3D printed objects [73].
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Figure 10. Different wearable devices created with FDM: (A) small antenna, (B) microfluidic device with
an integrated membrane and embedded reagents, (C) inter-digitated Li-Ion micro-battery architectures,
(D) bionic ears, (E) quantum dot light-emitting diodes, and (F) electrochemical detector (reprinted with
permission from [88,90,92,93,95,98]).

3.2. Inkjet 3D Printing (i3Dp)

Inkjet printing is one of the main methods for additive manufacturing, especially used for printing
ceramics. In this method, a nozzle and a stable ceramic suspension (such as zirconium oxide powder
in water) are used. Via the injection nozzle, the suspension is pumped and deposited in the form of
droplets onto the substrate (Figure 11). Then, the droplets form a continuous pattern that solidifies to
hold further layers of printed materials. Several factors determine the quality of inkjet-printed objects:
the solid content, particle size distribution of ceramics, nozzle size, viscosity of the ink, extrusion rate,
and speed of printing [73].

 

Figure 11. Schematic representation of inkjet 3D printing (i3Dp (reprinted with permission from
www.additively.com)).
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There are two main types of ceramic inks: wax-based inks, and liquid suspensions. Wax-based
inks are melted and deposited onto a cold substrate to solidify, while liquid suspensions are solidified
by liquid evaporation [73]. Inkjet technology operates in the i3Dp process either in continuous or in
drop-on-demand (DoD) mode [72]. Typically, the inks used in the continuous mode have a lower
viscosity that provides a higher drop speed than those typically used for the DoD mode. The DoD
mode generates smaller droplets with a higher placement accuracy. Therefore, the DoD is the better
choice for 3D microfabrications and leads to finer and more repeatable microfluidic structures [72].
In the DoD technique, the pulse is piezoelectrically or thermoelectrically provided. In the piezoelectric
DoD, the deformation of a piezoelectric element generates acoustic pulses. These pulses push droplets
of ink from the nozzle. In the thermal DoD, a vapor blob is formed by heating the ink locally and then
it is ejected as an ink droplet. In this case, the solvents must be volatile while in piezoelectric DoD,
a large variety of organic solvents such as chloroform, dimethyl sulfoxide, and dimethylacetamide can
be used.

Inkjet 3D printing is further split into two categories (Figure 12): powder-based and
photopolymer-based. In powder-based i3Dp, the powder particles are bonded with a polymeric
sticking solution. In this process, a roller initially deposits a layer of ceramic powder, which is spread
uniformly on the building stage. Then, the multi-channel printer head sprays droplets of adhesive
onto the powder bed at the targeted areas. After completing the first layer, the building platform drops
a second powder layer and bounding restarts again with the successive printing of adhesive. This
process is repeated until the 3D object is formed. Once the process is completed, the printed object
is typically surrounded by a feeble supporting powder that can be easily removed without further
post-processing steps. Supporting powders are usually made by a mixture of gypsum, polymer, and
silica particles, with adhesives that are composed by glycerol and water-soluble acrylates. These
materials are recyclable. So, recycling the unused powder can further lower the costs of printing [72].
The resolution of these kind of printers is determined by some parameters such as the packing density,
shape of the printed objects, and particle sizes of the used ceramic. Un-bound particles may increase the
surface roughness and reduce the transparency of the printed object. These un-bound particles scatter
the light, preventing the microscopy investigations usually required for investigating the printed
microfluidics [72]. In the second kind of i3Dp (photopolymer-based), the head deposits small drops for
both the build and support materials to create the object in a layer-by-layer process again. The typical
materials used are acrylate photopolymers, starting from monomers, oligomers, or photo-initiators,
then each printed layer is treated with an ultraviolet (UV) source. At least 100 different composite
materials are available in the market, as further developed by a core of 17 primary photopolymers
only [72].

(A) (B) 

Figure 12. Inkjet 3D printing is split into two further categories: (A) powder-based, and
(B) photopolymer-based (reprinted with permission from www.additively.com).
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Theoretically, an XY-resolution of 42 μm and a Z resolution of 16 μm is possible for a high
resolution inkjet printing of 600 × 600 dpi [4]. In the case of mass production, a relatively inexpensive
alternative way of inkjet printing is also possible for fabricating paper-based microfluidics [99]. Distinct
advantages of i3Dp are the high resolution, simplicity, and low-cost [80,99]. This method is fast and
efficient for easily printing quite complex structures with a high resolution by avoiding the use of
lithography [73]. Inkjet 3D printing (i3Dp) easily modulates the shape and dimensions of the pattern
and does not require the use of support structures [15].

With i3Dp, we can also realize the flexible resistive components and sensors by using conductive
liquid metals [100]. Although the price is typically higher than that for FDM, i3Dp is probably the most
commercially viable 3D printing approach for microfluidics [72]. This method creates microfluidic
structures (also flexible) with precise control and manipulation of fluids that are small enough for
the intended aim: typically, sub-millimeter or micrometer scales [83]. With this technique, vertically
aligned channels usually have size stability and a smooth surface [72]. Interestingly, microfluidics
can be realized directly on top of other systems, e.g., transducers or electrodes, without the need
of any bonding or assembling steps [100]. In i3Dp, only inks containing weak organic solvents are
acceptable [88], since strong organic solvents and hydrophobic materials, such as hexane, heptane, and
toluene, damage the cartridges and other components of the printer. So, the main advantages of this
method are the absence of sticking agents in between layers, protecting workability, and layer-by-layer
fine structures [73]. On the other hand, some disadvantages are the quite high costs from changing
materials during printing, removal of the support material (difficult for fully closed structures), and
the drying of inks with consequent holes clogging in the print cartridges if the i3Dp system is not
regularly used [72].

After the first microfluidic device proposed with i3Dp by McDonald and co-workers in 2002 [72], the
development of accurate printers has been extensively improved to fabricate milli- and microfluidics [81].
As well as FDM, i3Dp is also regularly used to print biomedical systems other than wearable biosensors:
for example, scaffolds for tissue engineering [73], orthopedic prosthesis [86], cardiac parts [101], and
components for intracranial aneurysm surgeries [102]. In microfluidics, devices for flexible, planar,
and multilayer microfluidics, membrane, on-chip gel electrophoresis, and wall-jet electrochemical
detectors have been published so far [97,100,103–105], as shown in Figure 13.

 

Figure 13. Wearable microfluidics created with i3Dp with a wall-jet electrochemical (WJE) configuration:
(A) schematic of the WJE device, (B) top view of the 3D printed WJE device, (C) micrograph of a
fluorescein plug hitting the electrode in the WJE design and flowing away from the electrode (reprinted
with permission from [105]).
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Photopolymer i3Dp is also known by the names of PolyJet or multi-jet modeling (MJM). In MJM,
a large range of photopolymers are used, including soft elastomers, liquid metals (i.e., EGaIn),
acrylonitrile butadiene styrene (ABS), polystyrene (PS), polypropylene (PP), polymethylmethacrylate
(PMMA), polycarbonate (PC), ethylene propylene diene monomer (EPDM), and high-impact
polystyrene (HIPS) [72,80].

3.3. Stereolithography (SLA)

Stereolithography (SLA) was proposed as method of additive manufacturing in 1986 by Chuck
Hull. He defined SLA as “a method and apparatus for making solid objects by successively ‘printing’
with thin layers of a curable material, e.g., a UV curable material, one on top of the other”. SLA was
commercialized in 1988 and became the first commercialized 3D printing system ever proposed [72,82].
SLA uses an energy source (e.g., light or electron beams) for activation (radicalization) of the monomers
(mainly acrylic or epoxy-based) in order to obtain polymer chains. After the polymerization, a pattern
inside the resin layer is solidified to hold the next layer formation. After the full printing, the unreacted
resin is then removed. In some cases, the printed parts need some post-process treatments, such
as heating or photo-curing, in order to reach the desired mechanical performance [73]. While Hull
described SLA only for material curable by UV, recent advances in resin photochemistry and laser
technology achieved polymerization with modern high-intensity lasers or focused LED light sources
in the visible wavelength range, using suitable types of photo-initiators [78,80].

In using SLA, the laser spot-size, the pixel resolution, the type and viscosity of the resin must
be carefully considered for fabricating microchannels with the minimum cross-sectional area [78].
The thickness of each layer is affected by the energy of the light source and by the exposure time [73].
The laser spot-size and absorption spectra of the photoresins affect the resolution too [78]. SLA is
possible in the two most important configurations: the free surface approach (bath configuration), and
constrained surface approach (bat configuration). In both the cases, objects are formed by a liquid resin
photopolymerized with either a scanning laser or a digital light projector (DLP) by a spatially controlled
photopolymerization [72], as schematically shown in Figure 14. In the bath configuration, the vat
depth limits the object height, while this limitation does not exist in the bat configuration. The time of
curing is faster in the bat configuration because oxygen inhibits the process of photopolymerization,
and the reaction happens far from the air–resin interface. For modifications in the constrained surface
technique, the bottom plate is made sensitive to oxygen by a controlled oxygen inhibition to the last
cured resin layer [78]. The bath configuration is the classical setup for SLA. In this configuration,
a substrate is submerged in a tank of photoactive resin and a UV beam affects a two-dimensional (2D)
cross-section onto the substrate when the resin polymerizes under illumination. After the completion of
the 2D cross-section, the next step is the lowering of the substrate further into the resin by a predefined
distance. Then, the next layer is polymerized on top of the previous layer by the UV beam. Working
that way ensures that the focus of the UV beam does not change. A blade levels the surface with
a further layer of uniform resin before the next step of exposure to UV light. As written, the ‘bat’
configuration is the name of the constrained surface approach. The reason for choosing this name is
the fact that, as shown in Figure 14, the object is created hanging from a movable substrate like a bat
from a ceiling. The movable substrate is hanging above the resin tank. The tank has an optically clear
bottom and a non-sticking surface, so the printed structure does not stick to the substrate. The light
source is typically located under the tank (picture on Figure 14B). The action of gravity on the forming
surface, which rests for a certain settling time, refreshes and smooths the surface of the illuminated
resin. The object is drawn out of the resin, rather than submersed in it, so only small amounts of
resin with low viscosity are needed. Since the illuminated layer is not exposed to the atmosphere,
oxygen inhibition is limited. Here, the height of the printed objects is not limited with respect to the
bath configuration, and the bat configuration requires minimum cleaning steps. The cured layer is
sandwiched between the resin vat and the previous layer. Sometimes, the solidified material strongly
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sticks to the bottom of vat. In these cases, the object may, unfortunately, break or deform when coming
up from the vat [72].

(B) (C) 

Figure 14. (A) stereolithography (SLA): (B) the bath, and (C) the bat configurations (reprinted with
permission from www.additively.com).

SLA produces high-quality objects with a fine resolution down to 10 μm [73], and offers a
good balance between the resolution, price, and performance [72]. The fabrication of micro- and
nanostructures in a wide variety of shapes is possible as well [83]. There are a considerable number of
different choices regarding the material properties, especially regarding the increasing range of the
extrusion filaments: it is possible to also use conducting, flexible, and magnetic filaments, as well as a
range of different colored polymers [84]. Materials like elastomers and ceramics are also allowed, as
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well as photoactive resins such as acrylate, clear acrylic, epoxy, hybrid resins and composites of different
photopolymers [58,81]. Dispersions of ceramic particles are used to print ceramic–polymer composites
or polymer-derived ceramifiable monomers, such as silicon oxycarbide [73]. Recently, Gong et al.
investigated the effect of the optical property of SLA’s resin on the channel sizes in microfluidic systems.
They found that there is fundamental exchange between the critical dose that penetrates into a flow
channel during fabrication and the homogeneity of the optical dose within individual layers. In order
to obtain a minimum channel size of 60 μm × 108 μm by 10 μm building-layers, they increased the resin
absorbance and the XY plane resolution of the DLP illumination [72]. Transparent biocompatible resins
are available too for SLA, so the realized microfluidics allow for the characterization of the internal fluid
flow as well as the direct observation of the in-situ formation of droplets [106]. Other advantages are
the smooth surfaces, custom low-cost resins, lack of need for external alignment, monolithic structures,
and direct printing of the fluidic channels [84,107,108].

One of the major limitations of all the current SLA printers is that they are restricted to a single print
material at this time. Choi et al. have developed a prototype of a multi-material SLA printer by using
four different resin baths. However, the process is too complex and each resin layer requires multiple
exposures, making the method quite inefficient [84]. Moreover, removing the uncured resin remains a
major challenge in using this multi-material SLA for the printing of microfluidic structures. In SLA,
the removal of uncured resin is easier than in i3Dp since the resin is a liquid, but it is still challenging
in general [72]. There are several successful examples of using SLA for microfluidics fabrication [82],
and SLA is an effective additive method for manufacturing complex nanocomposites, [73]. However,
further developments of SLA are still required in order to make it an ideal method of choice for the
fabrication of microfluidics for wearable biosensors [72]. Other disadvantages are the slow printing
time, sometimes expensive chemicals, low biochemical adaptability of the resin, limited choice of the
materials, and a resolution of a few tens of micrometers [73,83]: for example, a number of DLP printers
with a resolution in XY and Z of 50 μm have been reported [73]. Even though the stereolithography
process was introduced almost 33 years ago, there is still enough room for further improvements.
Recently, a novel micro-diamond based composite resin was published to print a thermally conductive
prototype for specific applications [72]. Of course, stereolithography is also largely used in other fields
other than microfluidics (channels, valves, and pumps) for biosensing, such as organ-on-chip platforms,
flexible electronics, micromixers for pKa determinations, and soft robotics [97,109]. Examples of such
other systems are shown in Figure 15.

Figure 15. Examples of structures fabricated with SLA: (A) a micro-mixer, (B) hollow micro-needles,
(C) Spiral microchannels for size-selective separation of bacterial cells, (D) gradient generator, (E) a
“lobster trap” for bacteria, (F) alternative “lobster trap” for colony of E. coli.
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3.4. Multi-Material Methods

As briefly mentioned at the beginning of Section 3, several multi-material methods have been
proposed over the years to improve the quality of printed objects. With this approach, two or more
materials can be simultaneously used for the building of a single object [87]. For example, multi-material
3D printing enables the synergic use of soft and rigid polymers with still resolutions in the range of
tens of microns [27,103,115]. Several parts and components of microfluidic systems are fabricated with
a multi-material method: for example, interconnects [66], membranes, valves, pumps, and multi-flow
controllers [103]. All the previously discussed 3D printing methods (i3DP, FDM, and SLA) are possible
with multi-materials [87,88]. The multi-material photopolymer inkjet printing method allows up to
five different materials with a wide range of properties: from hard to soft plastics, elastomers, and also
different colors. This method has a good speed in building an object since the multiple materials can
be printed at the same time. However, with the multi-material inkjet printing method, it is difficult
to remove the support material from the complex fluidic channels, while FDM printers do not need
the support material to create channels. The materials used in the inkjet printing method are limited
and their formulations are expensive and proprietary. The selection of the materials is often mostly
concentrated on color, while the choice of flexible materials is especially suitable for the fluidics of
wearable biosensors. For wearable microfluidics, three substrate interfaces are typically used, including
fabric, polymer, and silicone (elastomer/rubber (see Figure 16)) [58]. These kinds of substrates are
chosen since they are biocompatible and, therefore, they are particularly suitable for the biosensing
systems used in wearable applications. Fabric may be soft, absorbent and breathable. Several different
polymers are possible with properties of flexibility, robustness, and a strong resistance to chemicals.
Silicone elastomers are stretchable and conformable, with properties of long-term durability, and
present an excellent chemical resistance and viscoelasticity [58]. With multi-material methods, valves,
pumps, and mixers have been demonstrated with a stronger resistance to deformation [81,87].

Figure 16. Wearable microfluidic systems realized with multi-material methods: (A) interfacial
microfluidic transport principle to drive three-dimensional liquid flows on a micropatterned
superhydrophobic textile, (B) triboelectric pressure sensor integrated with an antenna for data
transmission, (C) stretchable skin-patch with integrated electronics (reprinted with permission
from [116–118]).

Most of the polymers used in multi-material additive manufacturing are split into two main
categories: photosensitive polymers and thermoplastic polymers. The first group is widely used in
the 3D printing method based on photopolymerization, like SLA, and includes acrylate, epoxy, or
hybrid resins. SLA processes also broadly use hybrid resins, such as epoxides with acrylate content.
These hybrid resins increase the integrity of the layers during the fabrication and the strength of
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the finished parts. More importantly, the use of hybrid resins enables the fabrication of transparent
and biocompatible microfluidic devices with a high resolution. Thermoplastic polymers include
acrylonitrile butadiene styrene (ABS) and polylactic acid (PLA), which are widely employed for
extrusion-based methods, such as FDM [119,120]. Extruded materials for microfluidics are essentially
polypropylene (PP), ABS, and PLA. PP is used for its high biocompatibility, like polydimethylsiloxane
(PDMS), and it is cheaper. It is introduced as an attractive material for the additive fabrications of
micro and milli-scale fluidic devices, since it is a robust, flexible, and chemically inert polymer. PP
is a semi-crystalline material, which typically does not soften with raising temperatures. It quickly
transforms into a low-viscosity liquid and, once solid, it shrinks less in the flow direction than in
the transverse direction. PP is extruded in a liquid state, and then it solidifies via crystallization as
soon as the temperature goes below the melting point. However, the thermal shrinkage stresses are
high during the layer solidification, and lead to very high warping stresses. Therefore, PP is typically
only used when a high biocompatibility is required. On the contrary, ABS is an amorphous polymer
that can crawl slowly until it cools below the glass point, and starts to warp below the glass point to
complete the solidification. Therefore, the thermal stresses above the glass point temperature could be
partially compensated. Therefore, it is suitable for the building plates and chambers by minimizing
the warping stress at temperatures around the glass point. ABS is a very useful material for many
biomedical applications because of its excellent mechanical and processing properties, its versatility
and low-cost. Most recently, one of the most common materials considered for 3D printing became
PLA, which is an inexpensive, biodegradable, and nontoxic aliphatic polyester [119].

The technical limitations for multi-material printing are still present and typically related to the
material’s compatibility, the adherence among them, and also the significant differences in the extrusion
temperatures. In some cases, it is difficult to remove the support material and the material choice is
limited with respect the typical needs in wearable biosensors. Multi-material FDM is cheaper than
i3Dp, and easier than SLA. Compared to other printing methods, FDM printing has a good choice
of commercially available materials with different properties. FDM typically uses thermoplastics,
providing access to a wide variety of cheap and biocompatible materials. Despite these benefits, and as
well as those already discussed, FDM still has its own limitations, including a low structural strength
of printed objects, lack of structural integrity between the layers, and weak sealing properties when
used in microfluidics for wearable biosensors. Furthermore, it provides a lower resolution with respect
to SLA and i3Dp [81,87]. With multi-material SLA, the resolution and chemical compatibility is usually
much better; the stretchability, gas permeability, and larger heat dissipation are better too. On the
other hand, SLA is more expensive than FDM and i3Dp, and the fabrication process is typically slower
because there are different resin vats that the printed object must be moved between during the printing
process [81].

4. Printing Sensors for Direct Integration

By using the additive manufacturing methods presented above, that are suitable for building
the microfluidics for wearable biosensors, it is also possible to print the sensors as well for a direct
integration with the fluidics. Stretchable conductors are highly suitable for wearable sensors and
electronics. Typical tracks in wearable systems involve electrical conductors, such as carbon nanotubes
(CNTs), graphene sheets, metal nanowires (metal NWs), liquid metals, or conductive polymers, which
present limitations in these kind of applications because of an increase in resistance upon deformation.
Therefore, a new class of conductors is proposed with the aim of a direct integration of sensors by
direct printing into the fluidics for a wearable biosensing platform. Ionically conductive materials,
mostly hydrogels (Figure 17), ionogels or polyionic elastomers, which use charged ions rather than
electrons to transmit electrical signals, are suggested to achieve the aim. Many ionic conductors have
the intrinsic properties of a high stretchability, transparency, and biocompatibility. More importantly,
they have a good optical transmission and electrical conductance at the same time. The use of such
microstructured hydrogel electrodes improves the deformability of the sensor for its application to
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ionic skins (ionic conductor-based sensors). Printed conductive hydrogels are highly stretchable and
elastic, almost fully transparent, highly precise, and stable with regards to their electro-mechanical
properties. So, they are very suitable to apply to wearable amperometric biosensors as microstructured
current collectors (see Figures 18 and 19). However, it is difficult to obtain a high resolution, especially
in the printing of complex structures, typically due to limitations related to the low strength of the
used conductive materials.

Figure 17. The addictive manufacture of a conductive hydrogel: (A) a high resolution fast bottom-up
fabrication by a DLP printer, (B) the polymerization of a hydrogel network (reprinted with permission
from [121]).

Figure 18. Structured hydrogel films: a total thickness of 400 mm; parallel lines with a deepness of
200 mm, line-to-line spacing of 200 mm (in the left) or 400 mm (in the right (reprinted with permission
from [121])).

To show a good example of this kind of printed sensor, we can mention here the work of Yang
et al., who proposed printing a wearable capacitive sensor for detecting both the static and dynamic
pressures and strain, with a high sensitivity and low limit of detection [121]. Yang et al. fabricated
an elastic and ionically conductive hydrogel by using microstructures in a single printing step with a
commercial DLP printer (Figure 17A). Superior capabilities with regards to high-fidelity for the body
signal acquisition over multiple skin locations was demonstrated with such a device, including finger
bending tracking, pulse waveform monitoring, and larynx vibration tracking.
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Figure 19. Wearable sensing devices by hydrogel films: (A) sensor on-the-skin for the finger bending,
(B) capacitance as acquired from the finger cyclically bending, (C) sensor on-the-skin for throat
movements, (D) acquired signals when subject says “Hi” and “Sensor”, (E) sensor on-the-skin for the
artery pulse, (F) radial artery pulses (reprinted with permission from [121]).

5. Conclusions

This paper provides a review of all the additive manufacturing (3D printing) methods suitable
for microfluidics in applications to wearable biosensors. A photolithographic technique and
chemical etching were the primary fabrication methods for microfluidics that used silicon and
glass. In comparison to traditional methods, 3D printing technology has a short fabrication cycle time.
This technology can have a good control of the complex design and quality of the product, with a good
resolution and low-cost fabrication Wearable biosensors are required for the analysis of the molecular
content of sweat as directly provided on-the-skin. Microfluidics plays an important role in solving
some of the challenges for on-the-skin monitoring, for example collecting and conveying a small
amount of liquid sample to the detection part. The 3D printing methods suitable for microfluidics are
selective laser sintering (SLS), fused deposition modeling (FDM), inkjet 3D printing (i3Dp), laminated
object manufacturing (LOM), two photon polymerization (TPP) and stereolithography (SLA). Among
them, three suitable methods for flexible devices have been discussed in this paper: fused deposition
modeling (FDM), inkjet 3D Printing (i3Dp), and stereolithography (SLA). These methods use polymeric
substrates that have wide applications for wearable devices. On the other hand, these methods are able
to use multi-material methods which have better control over the quality and flexibility of the product.
Each of the discussed methods still present pros and cons when thought for fabricating microfluidics
for wearable biosensors. SLA is a suitable method in case of the need for high resolutions, while SLA
is not necessarily a good option for the low-cost productions or for fast fabrication processes. FDM
is the more appropriate method in the case of inexpensive productions, especially in cases where
biocompatibility is strictly required. The i3Dp method is most probably the best method for devices
requiring extremely good mechanical properties (e.g., in term of robustness) and to assure fewer
rough on-body contact-surfaces. Today, a lot of research is being done to advance these 3D printing
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methods for their future applications. For example, the inks in the i3Dp method can be modified
for certain purposes. The biosensors required for detection on-the-skin are also printable by using
additive manufacturing, especially by exploiting conductive properties of modern hydrogels, ionogels,
or polyionic elastomers. Therefore, such additive manufacturing methods are definitely suitable for
producing microfluidics systems with the right resolution for wearable biosensors in order to develop
more advanced and fully non-invasive monitoring of metabolism directly on-the-skin of humans.

This review article will help the reader understand the importance of the role of microfluidics in
the development of wearable technology and gain insight into the appropriate ways to fabricate them
that will play an important role in future applications of wearable sensors using microfluidics. If a
researcher wants to create suitable microfluidics for wearable sensors, by reading this article, they can
decide which method is right for them according to their desires and possibilities. This article gives a
brief overview of the materials used in these methods and some of their challenges. It is suggested that
in future work, the efficiency, limitations, and preference of materials over each other be examined in
more detail, separately for each application and method. This critical article can give researchers a
good vision of the materials used in a certain method and their challenges. In this case, researchers can
choose the most suitable material for the intended purpose from the available materials, and sometimes
even decide to change the method by choosing a suitable material for a specific application. This study
of materials and their challenges can be considered by researchers who are diligent in overcoming the
challenges presented, and progress, and improve the field.
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Abstract: Non-invasive healthcare technologies are an important part of research and development
nowadays due to the low cost and convenience offered to both healthcare receivers and providers.
This work overviews the recent advances in the field of non-invasive electrochemical biosensors
operating in secreted human physiological fluids, viz. tears, sweat, saliva, and urine. Described
electrochemical devices are based on different electrochemical techniques, viz. amperometry,
coulometry, cyclic voltammetry, and impedance spectroscopy. Challenges that confront researchers
in this exciting area and key requirements for biodevices are discussed. It is concluded that the
field of non-invasive sensing of biomarkers in bodily fluid is highly convoluted. Nonetheless, if the
drawbacks are appropriately addressed, and the pitfalls are adroitly circumvented, the approach will
most certainly disrupt current clinical and self-monitoring practices.

Keywords: non-invasive biosensors; human physiological fluids; tears; sweat; saliva; urine

1. Introduction

Owing to the low cost and convenience shared by healthcare receivers and providers alike,
non-invasive healthcare technologies have become increasingly important parts of current research
and development [1]. Non-invasive measurements include the use of sweat [2], urine [3], saliva [4],
and tears [5], but can also rely on fluid-free technologies. The last option is more attractive because
of fast and inexpensive analyses with convenient fluid independent procedures, and the concerns in
the scientific community regarding correlations between bioanalyte concentration in blood and in
other physiological fluids can be disregarded [6–9]. In addition to traditional fluid-free non-invasive
technologies, which are known and have been used for ages, e.g., electrocardiography [10,11],
many other non-invasive instruments have been developed, such as cardiovascular diagnostic
systems [12], bioimpedance based scales [13,14], and even non-invasive blood analyzers to measure
sentinel substances in blood, e.g., hemoglobin [15], oxygen [16], and glucose [17,18]. Hence, fluid-free
oximeters are relied on and widely used in acute and critical care [19], but other fluid-free non-invasive
blood analyzers, e.g., glucometers and hemoglobinometers, are far from accurate and the readings
cannot be trusted [20–22]. Drawing on the contentious performance of current fluid-free analyzers,
and since many important bioanalytes cannot be measured using fluid-free technologies, this review
is focused on fluid-based biosensors operating in different physiological fluids, viz. tears, saliva,
sweat, and urine. Among the variety of fluid-based non-invasive biosensors, this review is focused on
electrochemical biodevices.

For all electrochemical techniques, the most common electrode materials are silver, gold, platinum,
and carbon, e.g., graphene, graphite, carbon nanotubes, and glassy carbon [23]. Regarding carbon,
the working electrode area can be tweaked by selecting from the carbon alternatives [24], and in
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general, the performance and sensing abilities and can be improved by surface modification using e.g.,
polymers, nanofibers, or nanoparticles [23,24]. Biomolecules are immobilized on the working area
of the electrode surface, and act as recognition elements to generate and transduce an output signal.
The selectivity and sensitivity of a particular recognition element can be finely tuned by appropriate
helper elements [23,25]. The main components of a complete biosensor for detection of analytes in
bodily fluids are the following: bioreceptor, transducer, electronics, and display.

A variety of compounds of clinical relevance are present in secreted physiological fluids,
most of which can be converted by different oxidoreductases, and many by oxidases [5–7,9–11].
Hydrogen peroxide (H2O2), a common by-product of oxidases, is used as the terminal element
in most enzyme-based biosensors and analytical kits, and H2O2 can be assessed to estimate the
concentration of analytes. In a review, it is impossible to cover all electrochemical techniques used for
the detection of analytes in human physiological fluids, and it is equally impossible to even briefly
describe all biosensors operating in urine, sweat, sweat, and saliva. Below, we will describe a few
examples of a rich variety of biodevices that rely on amperometry, coulometry, cyclic voltammetry,
and impedance spectroscopy.

However, prior to the description, the following should be emphasised. On the one hand,
exuded human physiological fluids are well suited as information vehicles and sources, provided
that the available data can be sampled reliably. Tears, sweat, saliva, and urine are known to
carry substances indicative of the health status of an individual. Glucose, lactate, ascorbate, urea,
creatinine, as well as their metabolites, and hormones and their metabolites, are all examples of species
present in human physiological fluids. By assaying amounts or relative amounts, or, by gauging
appearance or disappearance rates, a reasonably accurate appreciation of the health status of an
individual can be made. On the other hand, when it comes to non-invasive analysis of bioanalytes in
secreted/exuded physiological fluids for diagnostics, it seems pertinent to highlight a major ambiguity,
which attenuates the enthusiasm of medical doctors and in general seriously alerts the biomedical
community. Unfortunately, data dispersion in the literature, when it comes to amounts, and sometimes
even the presence of bioanalytes in physiological fluids, borders on the ridiculous. One can find
all possible reports, from no correlation, via certain correlation, up to direct straight dependences
between concentrations in different physiological fluids. Neither direct nor indirect reasons for this
will be discussed in the current review because of the lack of space and possible loss of focus. It is
obvious, however, that the nonsensical dispersion of data definitely calls for proper (i.e., with adequate
sampling, taking into account differences in basal, induced, emotional fluids, as well as selective and
appropriately sensitive determination, using modern techniques, in full control of possible pitfalls)
chemical analysis of main bioanalytes in human physiological fluids naturally released outside the
body and simultaneous comparison of blood concentrations.

2. Fluid-Based Biosensors

2.1. Biosensors Operating in Tears

The complex aqueous fluid secreted by lachrymal glands, i.e., human lachrymal liquid or tears,
apart from water and electrolytes, carry low molecular weight organic compounds, proteins, enzymes,
as well as other biomolecules. Owing to the physiology of the eye, different lachrymal secretions
can occur, and three kinds of tear, basal, reflex, and psycho-emotional tears [26], each substantially
differing in composition, can be observed. Basal tears are produced in small quantities, 0.5–2.2 μL
min−1 [27], to maintain a film on the corneal surface, ensuring corneal homeostasis and visual integrity.
Reflex tears result from increased lacrimation, 7–23 μL min−1 [28], in response to damage to the ocular
surface by foreign bodies, including contact lenses [29], chemicals, wounds, and inflammation [26].
Psycho-emotional tears are provoked by cerebral stimuli of psychogenic origin. While basal tears
result from spontaneous neuroglandular activity and reflex tears are the result of external sensorial
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stimulation, and both kind of tears are expletively purposeful, psycho-emotional tears are triggered by
cognitive and emotional brain processes, and are of no apparent use for the eye [26].

Several compounds found in tears have diagnostic potential, e.g., glucose, lactate, ascorbate,
and neurotransmitters, e.g., dopamine and norepinephrine [30]. Hence, many diseases and ailments
can be diagnosed by analyzing the composition of tear fluid, and an adequate summary of this can be
found in a recent review [31]. Illustrating the potential of tear-based bioanalyte sensing, glaucoma
patients suffer from lower than average tear neurotransmitter concentrations, and determination of
catecholamines in tears has been advocated in glaucoma diagnosis [30]. Also, the baseline concentration
of the stress marker norepinephrine is high enough for detection, and since the concentration of this
is likely to increase during psychological and physical challenges, it should be possible to realize a
non-invasive tear-based stress sensor.

Tear sampling is expressively non-trivial and the established methods all suffer from shortcomings.
For example, tears can be absorbed using Schirmer strips resting on the lower eyelid, but the procedure
tends to collect cellular as well as secreted proteins, and the physical presence of the strip can
cause mechanical stimulation of the corneal and conjunctival epithelium, provoking release of reflex
tears [32,33]. Consequently, the composition of the samples thus collected most likely differs from
that in native basal secretion [34]. If, instead, microcapillary tubes are used to draw tears from the
reservoir within the conjunctival sac, while seemingly less invasive than Schirmer strips, collecting
basal tears with this method can be tedious and time consuming, and to accumulate volumes adequate
for analysis it may be necessary to pool samples [32,35]. In addition, the microcapillary tube method
shares the Schirmer strip reflex tear issues. To conclude, the small volumes collected along with
low concentrations of tear bioanalytes could explain the large discrepancies in concentration values
reported, and it appears that authentic and accurate bioanalyte concentrations in human tears are yet
to be ascertained.

In order to bypass tear sampling issues, several research teams have turned their attention
to contact lens-based biosensors. As far as can be asserted, the first attempt to design an on-lens
electrochemical biosensor coincided with efforts to realize electronically augmented contact lenses for
bionic eyesight [36,37]. The lens assembly incorporated a 100 μm thick poly(ethylene terephthalate)
(PET) film, fitted with an amperometric sensor, in which the Pt working electrode was connected to
an indium-tin oxide (ITO) substrate carrying a self-assembled monolayer of glucose oxidase (GOx).
Potential control was achieved using an external Ag|AgCl reference electrode [36,38]. Glucose amounts
were indirectly assessed, based on electrochemical oxidation of H2O2 (Reaction (1)), formed as a
co-product in the GOx catalysed oxidation of glucose (Reaction (2)).

H2O2
Pt−−−−−−→ 2H+ + O2 + 2e− (1)

D-glucose GOx−−−−−−−−→ D-gluconolactone + H2O2 (2)

The sensitivity of the first/original sensor was unsatisfactory, and an improved biosensor design
was called for [5]. Thus, the second generation sensor was essentially a PET film fitted with a three
electrode system with an integrated reference electrode (Figure 1), distinguishing the novel sensor
from the original [36]. Bio-modification relied on a GOx/titania sol-gel membrane and the sensor was
provided with a Nafion® layer to decrease the influence of other redox active species, like ascorbate,
lactate, and urea, present in the lachrymal fluid.
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Figure 1. The sensor fabrication process and results: (a) a clean PET substrate is prepared; (b) the
substrate is covered with a photoresist and exposed to UV light through a mask; (c) the photoresist is
developed; (d) thin metal films are evaporated on the sample; (e) after lift-off, the metal pattern remains
on the surface. After this step, the sensor is cut out of the polymer substrate and heat molded to the
contact lens shape and functionalized with enzymes; (f) images of a sensor after it has been cut out of
the substrate; (g) image of a completed sensor after molding held on a finger; (h) the sensor hardwired
for testing. Reproduced from [5] with permission from Elsevier.

At a constant voltage of 0.4 V, the amperometric sensor showed quite promising performance
in glucose containing solutions, and excellent current and glucose concentration linearity in a
physiologically relevant glucose concentration range. However, the influence of interfering redox
species shifted the detection limit by about one order of magnitude. After storage for two and four
days in buffer at 4 ◦C, the residual current response was 80% and 55%, respectively, of the initial
current. In order to minimize the contribution from interfering substances additional control working
and counter electrodes were fitted, resulting in a so called dual sensor setup [39]. Control electrodes
were assembled using the same approach as for the signal electrodes, but the bio-modification with a
GOx/titania sol–gel membrane and electrode coating with Nafion® was omitted. Background currents
obtained from the dummy sensor were subtracted from the bioelectrocatalytic sensing electrode
currents, and measurements using a physiologically accurate flowing eye model confirmed that the
dual sensor did indeed lower the glucose detection limit, but it was still too high for real practical
applications. In the on-lens version of the biosensor, wirelessly powered and with an integrated
telecommunication circuit, the control electrodes were covered with deactivated GOx to subtract
background currents more accurately [40,41]. The sensitivity of the on-lens biosensor, tested on a
model human eye, was found to be 18 μA cm−2 mM−1 with a linear response in the 0–2 mM glucose
range in a tear mimicking buffer solution. The artificial tear solution contained redox active species,
i.e., ascorbate, lactate, and urea, at concentrations typical for human tears, and representative tear
proteins, i.e., lysozyme, mucin, and albumin, all of which may affect the biosensor performance.
The residual bioelectrocatalytic current was 97.4% of the initial after 12 h of storage in buffer at 4 ◦C,
and 84.3%, 67.2%, and 54.2% after one, two, and four days, respectively, without any loss of current
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vs. glucose concentration linearity. The on-lens sensing platform was powered by an on-chip 1.2 V
supply, consuming just 3 μW, and could also be wirelessly powered from a distance of 15 cm [40].
Google and Novartis foreshadowed that commercially available glucose monitoring contact lenses
could be expected already in 2015 [42]. However, the companies did not deliver on their promise,
and to the best of our knowledge, the project is completely terminated. One of the possible reasons for
that might be attributed to the partial discharge of reflex tears in response to damage to the ocular
surface. Reflex tears have different composition compared to basal lachrymal liquid, and even for one
individual, bioanalyte concentrations could vary from one day to another. To mitigate or bypass the
problems related to contact lens based biosensors, usage of soft, highly flexible, air breathing materials
is suggested.

In addition to glucose detection, the sensor design was adapted to contact lenses with integrated
lactate biosensors (Figure 2) [43].

 

Figure 2. Lactate sensor on a contact lens. (a) Schematic representation of the assembly process for
sensors on a transparent PET substrate which is molded to a contact lens. (b) Flat substrate with sensing
structure, interconnects and electrode pads for connection to the external potentiostat; WE—working
electrode, CE—counter electrode, RE—reference electrode. (c) A completed contact lens sensor held on
a finger. Reproduced from [43] with permission from Elsevier.

Lactate was detected based on oxidation of lactate to pyruvate by molecular oxygen, catalyzed
by lactate oxidase (LOx) (Reaction (3)), with subsequent electrochemical oxidation of H2O2 at a Pt
working electrode (see Reaction (1)).

L-lactate + O2
LOx−−−−−−−→ pyruvate + H2O2 (3)

LOx and bovine serum albumin were co-immobilized on the sensing area, and the proteins were
simultaneously crosslinked using glutaraldehyde, and to prevent enzyme leakage and to reduce the
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influence of interfering redox species the electrodes were sequentially covered with polyurethane
and Nafion®. In PBS, the sensitivity reported was 53 μA cm−2 mM−1, with a response time of 35 s,
and a linear detection range of 0–1 mM lactate. An interfering signal owing to direct oxidation of
ascorbic acid on the Pt surface was successfully eliminated by using a dual sensor setup (vide supra).
The sensor maintained full functionality after 24 h of storage in buffer at room temperature.

Mitsubayashi et al. managed the design of an on-lens glucose biosensor differently [44,45].
Drawing on a two-electrode setup, i.e., a Pt working electrode and a combined Ag|AgCl
reference/counter electrode, the amperometric biosensor was affixed to a 70 μm thick polydimethyl
siloxane (PDMS) membrane, attached to a soft contact lens made of the same material.
GOx was immobilized from a co-polymer of 2-methacryloyloxyethyl phosphorylcholine and
2-ethylhexylmethacrylate (PMEH) mixture, and the GOx-polymer layer was additionally covered with a
PMEH membrane to prevent enzyme leakage. Glucose sensing was based on electrochemical oxidation
of H2O2 on the Pt electrode, vide supra, Reactions (1) and (2), and a linear relation between current
output and glucose amount was obtained in buffer solutions with 0.03–5 mM glucose. Testing the
sensor in wearable mode using rabbit models gave excellent results and it was also demonstrated
that the glucose concentration in tears traces the changes in blood glucose amounts with a delay of
approximately 10 min. The sensitivity of biosensors could be substantially improved by building 3D
micro-pillar electrodes, which have up to three times higher surface area when compared to the flat
analogues [46].

Some non-invasive tear-based biosensors cannot easily be repurposed as wearable devices.
A flexible electrochemical microbiosensor has been designed for quantitative analysis of glucose,
ascorbate, and dopamine in nanovolumes of human lachrymal fluid (Figure 3) [47]. The biodevice is
based on glucose dehydrogenase (GDh), rather than GOx, and ascorbate and dopamine are analyzed
electrochemically without pre-enzymatic reactions. GDh was immobilized on a gold microwire
modified with carbon nanotubes and an osmium redox polymer. A capillary microcell, with a working
volume of 60–100 nL and a sampling deviation of about 7%, was constructed for tear sampling. To check
if the microcell was properly filled with buffer or a tear sample, a control electrode was introduced into
the construction (Figure 3c). The electrode was used to measure the electrical resistance of a fully filled
nanovolume cell. The mechanical flexibility is one of the most important features of the prototype
and it allows direct collection of tears with minimal risk of damage to the eye (Figure 3d,e). Based on
the experimental results, the authors concluded that the flexible and non-invasive prototype could be
converted into a user-friendly microbiosensor, suitable for detection of blood bioanalytes, including
glucose, in human lachrymal fluid [47].
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Figure 3. Schematic view of the flexible non-invasive micro-biosensor. (a) l1—length of a handle (from
10 mm up to 50 mm, optimum 20–30 mm), l2—length of a flexible sampling part (from 40 mm up
to 100 mm, optimum is 50–60 mm), w—width of the handle (from 5 mm up to 10 mm). (b) 1—the
handle with three electrical contacts, 2—the flexible sampling part (total diameter from 0.05 mm up
to 0.5 mm), 3—the flexible part of the device with a microcell. (c) Flexible part of the sapling device
including a microcell. 4—working electrode (diameter from 0.01 mm up to 0.2), 5—insulated part
of the working electrode, 6—polymeric tube (internal diameter from 0.015 mm up to 0.25), external
diameter from 0.02 mm up to 0.4, length from 1 up to 40 mm) fused to the insulated part of the working
electrode, 7—counter and reference electrode (diameter from 0.01 mm up to 0.2 mm), 8—insulated part
of counter and reference electrode, 9—checking/control electrode (diameter from 0.01 up to 0.2 mm).
Distance between ends of working and opposite electrodes from 0.01 mm up to 1 mm. (d) Photograph
demonstrating the flexibility of the biodevice. (e) Photograph of authentic sampling. Reproduced
from [47] with permission from Springer.

2.2. Biosensors Operating in Saliva

Saliva is an oral fluid that is mainly produced by three pairs of major salivary glands: parotid
(inside of the cheeks), sublingual (under the tongue), submandibular (bottom of the mouth), and a
large number of minor salivary glands [48–51]. Moreover, saliva is a clear, viscid, complex [52–56],
colourless, odourless fluid, with a pH in the 6.6–7.1 range [50,57]. Saliva is a watery substance
(99.5% water [58]) that incorporates different elements like bacteria, leukocytes, epithelial cells,
crevicular fluid [53,58], hormones, ions [54,56], enzymes, proteins, nucleic acids, antimicrobial
constituents, cytokines, and antibodies [56,57]. These different components, originally from the
blood, can diffuse through para-cellular or trans-cellular pathways in the oral cavity, adding to the
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complexity of saliva [49,55]. Additionally, the oral cavity also comprises a large number of bacteria
(oral microbiome) [49].

Saliva analysis has a considerable potential regarding general health status monitoring [48,59].
Saliva carries a broad range of biomarkers [49] that can be used for clinical analysis and diagnostic
testing of various diseases [49,50,54,56,60]. Moreover, because many biomarkers found in saliva
are passed directly from the bloodstream, changes in saliva composition indicate the current health
status of the examined person [56,60]. The correlation between the blood and saliva concentration of
different biomarkers and metabolites like lactate [48,53,60,61], ethanol [48,53], cholesterol [53,60,61],
or glucose [49,54,60–64] has been established. Therefore, saliva analysis gives the opportunity to monitor
and surveil the emotional, hormonal, nutritional, and metabolic state of the human body [54,55].
Additionally, utilizing saliva as a diagnostic fluid offers various advantages, e.g., a painless and
non-invasive method for diagnostics and monitoring [48,49,52–55,65,66] relying on a simple and
fast collection method [48,49,55,67,68]. Moreover, sample collection is conveniently trivial [48,49,55],
not privacy invading for the patient [49], and does not require special laboratory equipment or trained
medical personnel [49,55,60,65,66]. Additional to that, saliva can be used as an alternative fluid because
it is generally safer and has a lower contamination risk compared to blood tests [48,49,54,66]. Therefore,
saliva offers the possibility to analyze various biomarkers in an easy accessible, reliable, cost-effective
way [48,49,56,65,67] and can realize a multiplex detection of metabolites with high sensitivity and
selectivity [61]. On the top, using saliva can realize dynamic measurements of biochemical markers
with an read out in real time [54], or a portable biosensing platform for health care monitoring [54,69].

These benefits and the different prospective options led to an increased focus in this research
field with the aim of assay developments and technological advancements for the detection of various
salivary biomarkers to improve clinical diagnosis, management, and treatment [48]. Normally, detection
of salivary biomarkers is performed by using laboratory-based assay methods that involve multiple
steps in a time-consuming process. This includes, e.g., collection/transfer of the sample followed by
processing in the laboratory [48,65]. Therefore, the demand for fast, simple, inexpensive, reliable,
accurate, portable, and on site (point-of-care) quantification of salivary biomarkers through the use of
biosensing technology increased and is supported by the progress in nanotechnology [48,60,65].

Various biomarkers or molecules can be detected in saliva, e.g., the cytokines
interleukin-6 [70,71], interleukin-8 mRNA [72–74], interleukin-8 protein [72–74], cancer
antigens [48] like carcinoembryonic antigen (CEA) [75,76], cancer antigen 125 (CA125) [76]
and Her-2/Neu (C-erbB-2) [76,77], VEGF165 [78], TNFα [79], or cytokeratin-19 antigen (Cyfra
21-1) [80]. Moreover, lactate [48,54,58,81–84], glucose [48,60,62,85–96], or hormones [48,66],
like cortisol [48,49,51,65,66,97–102], and cortisone [99,103,104] are of interest to detect as well.
Furthermore, molecules like uric acid [49,54,105], urea [106], L-tryptophan [107] or different enzymes,
like α-amylase [48,66,108–110] or aspartic peptidases [111,112] are found in saliva. Additional
to that, the detection of bacteria, viruses, and whole cells is possible, like Helicobacter pylori,
Streptococcus sanguinis, Escherichia coli, Staphylococcus aureus, Chikungunya viruses [113–118] or
different antibodies [48,66,114,119], e.g., HIV [48,66,120]. On the top, different drugs [49,51,80,121],
like alcohol [53,66] and cocaine [66,122], as well as neurotransmitters [49,66,123] can be determined
in saliva. The related diseases to the different biomolecules are cancer [51,70,73–77,79,80,124],
oral cancer [56,67,72,108,109], breast cancer [56,67], diabetes [49,60,67,85], and different cardiovascular
diseases [68,108,109]. Moreover, diseases of the oral cavity like periodontal infections [56,67,125]
or caries risk assessments [56] can be done. Additional to that, infections caused by bacteria or
virus-like viral hepatitis A,B,C [51,67], related to infections, or cardiovascular diseases [68,108,109,118]
or metabolites, like lactate that can diagnose severe sepsis, septic shock, and many more [83,126].

The correlation between the concentration of glucose in blood and in saliva was established by
different groups [49,54,60–64] and, hence, the opportunity was given to realize a biosensing platform
for the detection of salivary glucose [48,60,62,85–96]. For the realization of an enzyme-based glucose
sensitive sensor, a screen-printed sensor chip was produced by a layer-by-layer assembly process to
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functionalize the working electrode surface. The multilayer films were composed of single-walled
carbon nanotubes functionalized with carboxylic groups and three repeated layers of chitosan/gold
nanoparticles/GOx to achieve the best glucose-sensing performance using amperometry [62]. To enable
constant monitoring over a specific period of time, an oral biosensor was imbedded in a mouthguard
and miniaturized to a detachable ‘cavitas sensor’ based on an enzyme membrane with GOx (Poly
(MPC-co-EHMA)). The device was integrated with a wireless transmitter, based on a platinum and
silver/silver chloride electrode, with amperometric read out, and real time measurement of the glucose
concentration was achieved [88]. Another group used a bimetallic, bifunctional electrode where a
platinum surface was patterned with nanostructured gold fingers with different film thicknesses.
The gold fingers were functionalized with GOx by using selective adsorption of a self-assembled
monolayer onto gold fingers. GOx on gold acted on glucose and the hydrogen peroxide formed
was detected on the platinum sites. The read out was based on cyclic voltammetry and impedance
spectroscopy [96]. Another glucose sensor was a disposable saliva nano-biosensor. The platinum
working electrode was functionalized with single-walled carbon nanotubes and multilayers of chitosan,
gold nanoparticles, and GOx, generated by using a layer-by-layer assembly technique and the final read
out relied on amperometry [60]. Last but not least, the detection of salivary glucose can be achieved
based on flow injection analysis combined with an amperometric O2 electrode [127]. Glucose sensor
presented in Figure 4 consists of transducer constructed of silver anode and golden cathode covered
with potassium chloride. The electrode is also covered with Teflon membrane with immobilized GOx,
a test solution is injected using a micro syringe [127].

Figure 4. Schematic view of the salivary glucose biosensor inside installed in a 37 ◦C thermostat.

The correlation between the concentration of cortisol in saliva and blood has been
established, providing the opportunity to use the detection of this for the development of
various biosensors [98,128,129]. A highly sensitive and non-invasive electrochemical immunosensor
for salivary cortisol sensing was developed by using an NiO thin film-based label-free
electrochemical immunosensor. For this purpose, cortisol antibodies were immobilized with
EDC and NHS on the electrode surface and detected with differential pulse voltammetry [100].
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Another electrochemical label-free immunosensor was established with interdigitated microelectrodes
and anti-cortisol antibodies, which were covalently immobilized on self-assembled monolayers of
dithiobis(succinimidylpropionte) (DTSP). The different concentrations of cortisol were evaluated using
cyclic voltammetry [101]. Another electrochemical immunosensor was based on one-dimensional
ZnO nanorods and two-dimensional ZnO nanoflakes that were synthesized on gold-coated substrates,
followed by immobilizing anti-cortisol antibodies; the detection of cortisol was performed by cyclic
voltammetry [102].

For the detection of TNF-α in human saliva and serum samples, a disposable immunosensor based
on thin indium tin oxide films, covered by a new semi-conductive conjugated polymer, was developed.
The read out was realized by electrochemical impedance spectroscopy [79]. Another electrochemical
biosensor platform for TNF-α cytokines detection in both artificial and human saliva was introduced.
This fully integrated platform was developed to detect varying cytokine biomarkers by using eight
gold working microelectrodes. TNF-α antibodies (anti-TNF-α) were immobilized on gold working
electrodes through functionalization with carboxyl diazonium; detection relied on amperometry [59].

Another group developed a graphene-based fully integrated portable nanosensing system for
the detection of interleukin-6. This new sensor was based on the permittivity of a HfO2 dielectric
layer in the buried-gate graphene field effect transistor. Moreover, the detection was performed by the
immobilization of aptamers and the data transfer was realized by a wireless connection via WiFi [70].
An additional possibility to detect interleukin-6 was based on a magneto immunosensor design.
Here, the anti-IL-6 antibodies were immobilized on carboxyl-functionalized magnetic microparticles.
This immunoassay created the signal amplification by using poly-HRP-streptavidin conjugates
that were immobilized on screen-printed carbon electrodes. The final detection was realized with
amperometry [71].

Two biosensors were developed for the simultaneous detection of interleukin-8-protein and
interleukin-8-mRNA. One of the sensors was an amperometric magnetosensor which allowed the direct
determination of both biomarkers with an antibody and a hairpin DNA. The specific hairpin DNA
probe and the antibody were coupled on screen-printed carbon electrodes and used the HQ/HRP/H2O2

system [72]. The second biosensor was also based on amperometric detection but used biotin and
fluorescein dual-labeled hairpin probe for IL-8 mRNA and biotinylated human IL-8 monoclonal
antibody on a gold integrated electrode array. Moreover, the group used a conducting polymer as a
supporting film to improve sensor performance [73].

The determination of lactate was accomplished with an electrochemical enzyme probe (LOx),
by using a dual electrode system (two platinum electrodes), and an enzyme membrane that was
imbedded between a cellulose acetate membrane and a polycarbonate membrane. The changes
in the lactate concentration were measured with the relating current response, after injecting the
salvia sample with PBS and by subtracting the inactive electrode response from the active electrode
response [81]. Another approach for detection lactate was to use a cavitas sensor (placed in the oral
cavity). This wearable biosensor on a mouthguard is based on an Ag/AgCl reference electrode and
contacts (for interfacing the electrochemical analyser) on a flexible PET substrate. Moreover, it was
based on the integration of a printable enzymatic electrode, with LOx, on a mouthguard, and detection
of the hydrogen peroxide formed. The mouthguard sensor was made of a Prussian-Blue transducer
and a poly-orthophenylenediamine (PPD)/LOx layer. The amperometric measurements were realized
with the connected PB-PPD-LOx system [82].

The detection of uric acid was realized by a sensor that consisted of an uricase-modified
screen-printed electrode system and was also integrated in a mouthguard platform. The whole sensor
was based on a flexible PET substrate, including a Prussian-blue transducer and immobilized uricase
enzyme. This wearable sensor was connected to a wireless device via Bluetooth for data collection and
allowed real-time and continuous measurement of the uric acid concentration with an amperometric
read out [105].
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Additionally, the detection of orexin A (a neurotransmitter), was accomplished by using a gold
field effect transistor-based biosensor that was modified with zinc oxide. For this purpose, a novel
peptide recognition element was synthesized and coupled to the electrode surface [123].

For the detection of the protein Pf HRP2 (Plasmodium falciparum histidine-rich protein 2)
an enzyme-free electrochemical immunosensor was developed. This sensor was based on an
immunosandwich format and used a competitive detection principle with methylene blue, hydrazine,
and platinum nanoparticles. For this purpose, the specific antibodies were labelled with methylene blue
and immobilized on an indium tin oxide electrode. The read out was realized with chronocoulometric
measurements [130].

Furthermore, the sensing of tryptophan, a standard amino acid, was reported by a group using two
screen printed electrodes modified with multiwall carbon nanotubes on gold electrodes. Additionally,
the electrode surface was modified with aptamer molecules to determine tryptophan, followed by
impedimetric read out [107]. Another approach was made, by using magnetic multiwalled carbon
nanotubes as nanocarrier tags for the detection of human fetuin A with impedimetric read out.
Moreover, the electrochemical immunosensor was realized by using the linker molecule diazonium,
followed by the immobilization an anti-human fetuin A-antibody and coupled HRP [131].

For the detection of cocaine, a solid-state probe based on an electrochemical aptasensor was
developed. The sensor principle was based on a layer-by-layer self-assembled multilayer with
ferrocene-appended poly(ethyleneimine) on an indium tin oxide electrode array. Additionally,
gold nanoparticles were coupled to the electrode surface. The final read out was realized by using
differential pulse voltammetry and measuring the related signal of ferrocene [122].

The development of a biosensor can be also used to evaluate the efficiency of a treatment in the
field of pharmacology. For this purpose, another electrochemical aptamer-based sensor was introduced
to detect ampicillin. The aptamers were immobilized on a gold electrode, followed by a blocking step
with MCH to avoid unspecific binding. When ampicillin is bound by the methylene blue modified
aptamer, the aptamer conformation changes; the measurement of the change was realized with the
methods of alternating current voltammetry and square wave voltammetry [80].

One group developed a biosensor for the detection of S. pyogenes. This sensing platform was
based on the immobilization of antibodies on a gold surface. They used screen printed gold electrodes
to create a polytyramine (Ptyr)-based immunosensor. Accordingly, NeutrAvidin was coupled to the
Ptyr amine group, followed by the immobilization of biotin tagged antibodies against S. pyogenes [113].

For the detection of HIV antibodies, an electrochemical peptide-based sensor was introduced.
This sensor used the incorporation of extra amino acids that acted as a target recognition element
and antifouling agent on gold electrodes. Moreover, the peptide probe was thiolated (coupling
to the electrode surface) and methylene blue-modified (detection). With the binding of the HIV
antibody, the methylene blue related current decreases and allowed a read out with alternating current
voltammetry and cyclic voltammetry [114].

Despite many achievements, a better understanding is needed for the relation between biomarker
concentration in blood and in saliva to improve the reliability of various diagnostic platforms, to provide
accurate oral monitoring applications, and to develop highly sensitive sensors [54]. In particular,
higher sensitivity is an important requirement due to the fact that the concentration of many important
biomarkers in saliva are lower than in blood, e.g., proteins with ∼30% lower concentration in
saliva [54,68]. Additional to that, metabolite measurement in saliva is complicated by the presence of
bacteria, epithelial cells and leukocytes [53]. Moreover, when sampling saliva, challenges still remain,
e.g., including sampling standardization since the concentration of different compounds in saliva
depends on the flow rate and the flow rate varies in response to any pre-sampling stimulation [53].
Additionally, saliva viscosity can vary substantially, which makes it more difficult to provide a reliable
testing platform [68]. Furthermore, after the saliva collection, the sample must be put on ice to reduce
growing of microorganisms [53]. Moreover, various sensing problems can occur after/before/during
food and drink consumption because it can interfere with the analyte sensing [52,54,68]. Furthermore,
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future development should focus on anti-fouling strategies. These strategies are needed because a
high concentration of proteins in saliva, e.g., mucins and proteolytic enzymes, will cause nonspecific
adsorption on the electrode surface; the oral microbiome will produce a biofilm, and consequently,
lower the life time of sensors in general [52,54,69]. This poses serious challenges, especially for real-time
measurements and long-term monitoring of biomarkers since saliva is not only a complex solution but
also a dynamically changing one [52,54,68].

Moreover, for development of devices and sensing platforms, different requirements should be
met, e.g., on-body/in-vivo compatibility (compatible biomaterials for device and system), including an
effective device encapsulation (electronic interface, power supply, wireless communication) and will
alleviate the toxicity of the whole sensor [22]. Furthermore, for an in vivo sensing platform the sensor
should be mechanically robust and securely fixed in the oral cavity and fit with the mouth anatomy
and spatial ranges [55]. This increases the comfort for the wearer and a firmly fixed position will not
change with mouth muscle movements [52].

Multiplex sensing platforms have also been introduced. One sensor was developed for the
detection of glucose, lactate, and cholesterol, which was based on an organic electrochemical transistor
(OECT) microarray integrated with a pumpless “finger-powered” PDMS-based microfluidic system.
The group combined a biofunctionalization method and electrically isolating layer between the
devices to decrease the background interference and crosstalk for improving the sensing abilities.
Additionally, they immobilized GOx, LOx, cholesterol oxidase, and bovine serum albumin (control)
on each electrode separately and realized the read out by using chronoamperomerty and the channel
current response [61].

Another group developed a flexible organic electrochemical transistor to detect uric acid and
glucose. For this purpose, the gate electrodes of the transistor were modified with positively/negatively
charged bilayer polymer films and enzymes (uricase and GOx). Additionally, the platinum electrode
surface was modified with graphene flakes and Nafion, followed by PANI (polyaniline, a conducting
polymer). The whole sensor was based on the selectivity for H2O2 and measured the resulting channel
current response of the transistor [132].

For future developments, power supply and communication challenges should be addressed.
This comprises for instance, to find and implement new solutions/sources for the power that is needed
for sensing/detection of biomarkers, data processing/data collection, data transfer/communication.
Alternative strategies could include incorporation of batteries, biofuel cells, solar cells, or thermoelectric
generation of power [54]. Moreover, communication challenges include the overall integrity of wireless
communication and a long-distance data transmission between the sensor and the device for the
connected read out. Additionally, data security problems will require a safer collection and storage of
the biomedical data because the sensor is monitoring the patients’ health status in real time, remotely,
and continuously [54]. All in all, considerable validation studies would be necessary to establish
sensors in clinical applications and to make is accessible for the general public [54].

2.3. Biosensors Operating in Sweat

Other sensing technologies for measurement of various analytes utilizes the biofluid sweat [23,133].
Sweat contains several compounds that provide helpful medical information about health and metabolic
status, physiological state, and disease states [23,24,58,134–137]. The outer skin surface comprises
a high number of sweat glands that are densely and widely distributed all over the body [54,138].
These sweat glands produce and excrete an acidic fluid directly to the outer skin surface through
microscale pores [23,68]. Moreover, sweat includes various molecules, e.g., lactate [133,138–140],
glucose [69,134,137,141,142], cortisol [23,54,135,142–144], testosterone [23], uric acid, as well as larger
molecules, like proteins, peptides, and cytokines [24,54,142],

Additionally, the detection of analytes in sweat is feasible due to the given correlation between the
blood analyte concentration and the excreted sweat analyte concentration [138,145,146]. For analytes
like hormones (cortisol, testosterone), potassium, and different drugs, e.g., alcohol, a strong sweat-blood
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correlation was proven [23]. Moreover, an understanding has been established about the glucose-level
relation between sweat and blood and its potential use in diabetes monitoring [23]. The correlation
between sweat and blood concentration for lactate or urea is not so far approved, but lactate/urea
measurements in sweat can give an indication of the health status of the examined subject [23].

Therefore, utilizing sweat as a diagnostic biofluid offers the possibility of non-invasive diagnostic
platforms [134–138,147] with effortless sample collection [23,53,54], compared to blood [24]. Moreover,
sweat biosensors are readily adapted to wearable sensing system [54,133,138] for real-time, dynamic,
and continuous measurement of biomarkers [23,54,133]. Over recent years, given the progress in
nanotechnology, development of novel sweat-based biosensors has grown [23,24].

When collecting data from sweat, the sensor must be in close contact with the skin, ideally with a
planar fit. Moreover, sweat biosensors are mostly produced with a flexible substrate for contact with
the skin surface, enabling the option of a wearable sensor platform. Both characteristics, i.e., planar fit
and flexibility, ensure proper sweat sample collection and a lower required sample volume [23,24,148].
Additional requirements for a wearable sweat sensor are the following: a fast response time of the
detected analyte, high stability, selectivity, and sensitivity under environmental conditions [24]. A fast
response time of the sensor can be realized and accomplished by using e.g., electrochemical read out
methods, such as amperometry and electrochemical impedance spectroscopy [24]. The integration of
electrochemical methods for the sensor development of sweat biosensors has different advantages in
terms of low cost, high performance, and device portability [136]. However, a significant drawback
when performing quantitative assessments is normalization of the sampled volume. One way to
mitigate this is by also incorporating monitoring the sweat flow rate, e.g., by measuring the change in
sweat generation rate by skin impedance. However, without a detailed fluidic model between the
sweat glands and sensors, the sweat rate does not predict actual biomarker sampling intervals [149].

Enzymes, which are immobilized on the surface of the working electrode via covalent cross linking
or bonding [150], are widely used as biorecognition elements in sweat-based biosensors. Some examples
include GOx [24,137,141,151,152], LOx [137,139,151,153,154], alcohol oxidase (AOx) [140,155–159].
For an improved enzyme immobilization and at the same time a maximized surface concentration
and an increased surface area, nanoparticles with silver [91,160], gold [161], and nickel [162], as well
as nanofibers, such as zinc oxide [23], can be used. This modification step results in higher electrode
response, faster sensor response time, and a higher selectivity to the investigated analyte [23].

For enzymatic sensing of metabolites, like glucose, lactate, ethanol, and uric acid, an amperometric
read out is often used [148,153,157]. The detection of lactate is realized with the immobilization of
the enzyme LOx and was demonstrated by different working groups [138–140,154]. Already, in the
early nineties, an amperometric H2O2 based biosensor was developed to detect lactate and was based
on enzyme immobilized between a polycarbonate membrane and a polytetrafluoroethylene (PTFE)
blocking membrane [139]. Furthermore, a flexible array patch with LOx and a Prussian blue/gold
electrode [137], a temporary tattoo using carbon ink (Figure 5) [140] was introduced to monitor diseases,
like pressure ischaemia, peripheral arterial occlusive disease, or hypoxia [137,140,151]. Another
accomplishment drew on two electrocardiogram electrodes combined with the detection of lactate
(three electrode system). The so called “Chem-phys”-patch is based on a biocatalytic layer with LOx
and modified Prussian blue on a polyester sheet [154].

The possible sensing of the metabolite glucose in sweat was demonstrated by different working
groups for the detection of diabetes mellitus [24,137,141,151,152]. This included, e.g., a flexible array
patch with immobilized GOx on a Prussian blue/Au electrode [137], multi-analyte glasses based on
GOx attached to a gold electrode [151], or a graphene based stretchable patch using GOx on a Prussian
blue/graphene-Au electrode [152]. For another sensing platform gold and platinum alloy nanoparticles
were electrochemically deposited on a reduced graphene oxide surface and chitosan-GOx composites
were integrated onto the modified surface [141].
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Figure 5. Monitoring of sweat lactate during 33 min of cycling exercise while adjusting the work
intensity. (A) Exercise resistance profile on a stationary cycle. Subjects were asked to maintain a
constant cycling rate while the resistance was increased every 3 min for a total evaluation of 30 min.
A 3-min cool down period followed the exercise. (B) An “NE” lactate biosensor applied to a male
volunteer’s deltoid; (C,D) Response of the LOx- (a) and enzyme-free (b) tattoo biosensors during
the exercise regimen (shown in part A) using two representative subjects. Constant potential, 0.05 V
(vs. Ag|AgCl); measurement intervals, 1 s. Reproduced from [140] with permission from the American
Chemical Society.

Moreover, the detection of another metabolite, ethanol, was successfully accomplished, using a skin
surface-based sensing device for determining the blood’s ethanol content by monitoring transdermal
alcohol concentration. For this purpose, two enzymes were used, GOx/horseradish peroxidase
(GOx/HRP), immobilized on a graphite-Teflon electrode [158]. Other developments were a temporary
tattoo with AOx immobilized either on Prussian blue [157] or a wearable patch using platinum
electrodes [159].

Impedance-based sensors were developed to detect different metabolites in sweat, e.g.,
glucose [135,143], lactate [163], or biomarkers, like Interleukin-6 [142] or cortisol [135,142,144]. For the
detection of cortisol, MoS2 nanosheets were functionalized with cortisol antibodies to create a
non-faradaic label-free cortisol biosensor (Figure 6) [144]. One working group developed flexible,
wearable, nanoporous tunable electrical double layer biosensors with a bio-functionalized area of
Zinc oxide (active region) to detect cortisol in sweat due the changes of impedance caused by the
modulation of the double layer capacitance [135]. The same working group introduced a lancet-free
and label-free diagnostic platform to detect glucose and cortisol in sweat. They used again zinc oxide
based flexible bioelectronics of stacked metal/metal-oxide (gold/zinc oxide) thin films within porous
polyamide substrates. Additionally, antibodies specific to GOx and for cortisol were attached to the
zinc oxide region [143]. Moreover, this group also developed a sensor which enhanced the stability of
biomolecules by using room temperature ionic liquids. In this paper they used sensors on nanoporous,
flexible polymer membranes functionalized with antibodies to detect interleukin-6 (IL-6) and cortisol
in human sweat [142].
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Figure 6. (a) Schematic drawing for one complete bending cycle of the sensor. The cycle is comprised
of (left) unbent state, (middle) 90◦ flexion motion bend, and (right) return to unbent state at which
point a measurement occurs. (b) Picture of bending apparatus with an affixed sensor array affixed.
Penny for reference. (c) Percent change in Zimag impedance with respect to the initial measurement
post-cortisol dosing and 7-min incubation time (blue box—1 ng/mL, red circle—500 ng/mL) after #
of bending cycles (n = 3). Error bars are standard error of the mean. Reproduced from [144] with
permission from Springer Nature Limited.

For a more practical use in health status monitoring, different working groups developed multiplex
analysis platforms. One interesting approach was to measure simultaneously glucose, lactate, sodium,
potassium, and skin temperature in one fully integrated sensor array [137]. The patch-type sensor was
flexible, wearable, and made of a PET substrate (Figure 7). The metabolites were detected by using GOx
and LOx which were imbedded in a chitosan film (amperometric read out). Moreover, the analysis of
sodium and potassium were realized by integrating ion selective electrodes (potentiometric read out).
The skin temperature measurement was based on a chromium/gold metal microwire. Additionally,
the electronic parts were sealed and covered with insulating parylene.

Figure 7. Wearable sweat biosensors which continuously measure a variety of sweat components for
health monitoring. Reproduced from [164] with permission from IEEE.
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Another approach was made for the simultaneous detection of ethanol, glucose, and lactate
with a low sample volume of sweat based on non-faradaic chronoamperometric read out [165].
For this purpose, nanotextured zinc oxide films were integrated on a flexible porous membrane.
The specific enzymes were immobilized in the active zinc oxide region by using a linker molecule (DSP).
A streptavidin biotinylated AOx was used for the detection of alcohol, whereas a glucose antibody
and coupled GOx, and LOx was used for glucose and lactate, respectively. The measured changes in
current were associated with interactions of the target biomarkers with their specific enzyme and the
relating analyte.

2.4. Biosensors Operating in Urine

Urine, a typically sterile liquid by-product, is often used as a diagnostic tool for many disease
conditions. An adult human produces around two liters of urine per day within about seven urinations.
The number of urinations depends on state of hydration, activity level, environmental factors, weight,
and the individual’s health. About 95% of the urine consists of water, but the fluid also contains
different inorganic and organic, low and high molecular weight compounds [166]. A variety of
compounds with clinical relevance are present in urine, such as glucose, lactate, urate, ascorbate,
cholesterol and oxalate, all of which can be converted by different oxidoreductases. The occurrence
of glucose in urine is associated with diabetes [167,168], whereas lactate is a prognostic marker for
various disorders, and urinary lactate have been shown to correlate with blood lactate [169]. Significant
amounts of cholesterol were detected in the urine of nephritic patients, whereas renal excretion of
the bioanalyte is unsubstantial in healthy individuals [170]. Additionally, there are reports showing
correlations between other biomarker levels in blood/plasma and urine, e.g., ascorbate and oxalate.
For instance, oxalate concentrations in regular urine and blood range from about 160 μM to about
550 μM [171], and from about 17 μM to about 39 μM, respectively [172]. Ascorbate concentrations in
plasma and urine of apparently healthy volunteers were found to be 76.50± 8.88 μM and 5.94± 1.43 μM,
respectively [173]. Moreover, it was shown that increased renal excretion of ascorbate because of
certain illnesses, e.g., sickle cell anaemia, might result in decreased plasma levels.

Biosensors based on oxidases are one of the well-known biosensors for the detection of bioanalytes
in urine. These sensors detect the H2O2 generated, which can be used to estimate the concentration
of the particular analyte [174]. The most common enzyme used for the detection of glucose in
urine is, as in other cases, GOx [175]. One of the methods used for the detection of glucose in
urine using amperometric biosensors is exploitation of conductometric biotransducer, which gives a
binary response, when the analyte is present in urine. The working principle is based on a Prussian
blue-cellulose acetate layer modified with GOx. When the substrate is present, H2O2 is formed, reacting
with the layer (Figure 8). The reaction leads to the change of conductivity of Prussian blue-cellulose
acetate layer making it possible to estimate the presence of glucose using a wireless biosensor [176].
Another reported method used for determination of glucose in urine is based on amperometry by
using redox mediators and a bi-enzyme system. The measurement can be achieved by compressing
electrically conductive carbon with the strip of a biosensor simultaneously having two redox mediators,
i.e., an enzyme system for the oxidation of glucose, and silver/silver chloride reference electrode.
The analysis readout can be achieved by applying a drop of urine on a sensor, where the result is
compared with a standard calibration curve or by converting the current flow to some units of urine
glucose levels [177].

Another important bioanalyte present in urine is urea. The analysis of urea in urine is mostly
based on the measurement of NH4+ and HCO3−, which are the hydrolysis products. For detection,
potentiometric, amperometric, optical, thermal, piezo-electric, and conductometric sensors are
used [178]. The most reliable sensor for measuring urea in urine is the amperometric urease biosensor,
which is relatively simple and offers a low cost analysis. Results obtained with this sensor are directly
associated with hydrolysis of urea on the electrode surface [179]. One of the first potentiometric urea
sensitive biosensors designed in 1969, was also based on urease [180].

80



Sensors 2020, 20, 6352

Figure 8. (a) Photographs of the portable monitoring unit, (b) sensor circuit developed for moisture
detection (top) and modified sensor circuit modified with PB/CA layer (bottom), (c) Schematics of
wireless biosensing. Reproduced from [176] with permission from IEEE.

One of the most common bacterial infections, which poses a significant healthcare problem,
is urinary tract infection (UTI). The standard culture-based diagnosis of UTI has a typical lead time
of several days, and in the absence of microbiological diagnosis at point of care facilities, physicians
frequently initiate broad-spectrum antibiotic treatment, thus contributing to the emergence of resistant
pathogens. The powerful diagnostic platforms for infectious diseases are based on biosensors.
For instance, an interesting example of a biosensor for uropathogen identification is the UTI Sensor
Array (Figure 9) [181,182]. An electrochemical sensor array customized with bacteria specific DNA
probes as recognition elements represents the sensor-platform. Each of the 16 sensors is modified
with a self-assembled monolayer, which allows versatility in surface modification and, simultaneously,
reduces background noise [183]. On the surface of the sensor, a library of DNA probes targeting the
most common uropathogens is immobilized [184,185]. The detection protocol is based on conversion
of hybridization events into quantifiable electrochemical signals.

Figure 9. Multiplex pathogen detection scheme using an array of 16 electrochemical biosensors (UTI
sensor array). Reproduced from Reproduced from [181] with permission from the US National Library
of Medicine.

Currently, biosensor diagnosis for UTI has moved beyond the proof-of-concept stage into the
validation phase, with authentic clinical samples, and development of assays for rapid molecular
pathogen identification and antimicrobial susceptibility testing. UTI sensor arrays offer a promising
technology platform without the need for nucleic acid amplification. Removal of the technology
bottlenecks still remaining, i.e., sample preparation and system integration, is crucial for the technology
to be used in decentralized settings such as clinicians’ offices and emergency departments.
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A novel innovative approach draws on a single platform strategy, i.e., a so-called universal
electrode, that incorporates the central microfluidics of molecular analyses, i.e., pumping, mixing,
washing, and sensing [186]. In an important illustration of the validity of the universal electrode
platform, a bacterial phylogenetic marker was detected, promoting the rapid diagnosis of urinary tract
infections. Since the platform is operated with electronic interfaces only, not only will it be possible to
streamline systems integration and thus unlock the potential of microfluidics in molecular diagnostics
at point of care sites, but also offer advanced biosensing in uncustomary health care settings [186].

Last but not least, recent efforts have been directed towards the development of wireless
bacteria sensitive biosensors based on near field communication and radio frequency identification
tags [187,188]. The approaches were realized by coupling a biosensor electrode as a part of the tag
antenna. The transduction mechanism of these wireless biosensors exploits biological redox reactions.
Specifically, the reactions change the impedance of the tag antennas, which is then wirelessly monitored
by vector network analyzer or mobile phone. Future development of these wireless biosensors tags will
target monitoring of UTI, as well as monitoring of bacterial growth in hygiene and medical products.

3. Conclusions and Outlook

Utilizing biological fluids for health monitoring offers the opportunity for non-invasive
measurements and straightforward sample collection [55,134,135,137,138,147]. However, for successful
sensor development, full and detailed knowledge is needed of the biological and chemical characteristics
of sweat, saliva, tears, and urine, as well as the required technology for sensor realization [54]. Therefore,
further efforts and research are needed to recognize the full diagnostic potential, in order to bypass
the remaining challenges regarding sample collection, measurement, and sensing [147]. As an
example, controlled and reproducible sampling is essential to improve the reliability of the results [54].
As regards sweat and tears, sample collection methods are wanting, and separate collection and
analysis stages are in use [23,47]. Moreover, perspiration needs to be generated by exercising, heating,
stress, or iontophoretic stimulation [54]. Additionally, variations in environmental and personal
conditions, like temperature or pH, the individual skin composition, state of the oral cavity, or type of
collected tears, fluid contamination, or mixing old and new fluid during sensing/sample collection
impede reliable results [69]. Other challenges thwart the improvement of sensor characteristics, e.g.,
stability, biofouling, sensitivity, selectivity, robustness, accuracy, and power supply [24]. For instance,
physiological fluids are complex solutions, provoking the integrity of the working electrode [142],
and stability enhancing measures need to be taken in order achieve long term, continuous monitoring
and measurement [54]. Moreover, electrodes should be usable without pre-treatment [24] or calibration,
or storage in conditioning solutions (ion selective electrodes) [23,24]. On a final note, the power
supply and packaging is one of the challenges for using sensors with an electro(-chemical) read out.
Additionally, the packaging and integrated electronics should be in one comfortable, reliable, and safe
platform [24].

After this presentation of a somewhat motley collection of vehicles/fluids, analytes, sampling
techniques, sensors and sensor technology, power supplies, communication and data processing,
it should be apparent to the reader that the field of non-invasive sensing of biomarkers in bodily
fluid is highly convoluted. Nonetheless, if the drawbacks are appropriately addressed, and the
pitfalls are adroitly circumvented, the approach will most certainly disrupt current clinical and
self-monitoring practices.

As an example, the formation rate of all four fluids, affecting the availability of analytes, is varying
in ways that are difficult to appreciate and control. However, by adhering to strict sampling protocols,
relevant to clinical or point-of-care settings, or by relying on continuous measurements over an
extended time, relevant to self-monitoring settings, much of the uncertainty emanating from varying
fluid formation rates can be removed. Analogously, the blood concentration of some important
biomarker targets is not exactly mirrored in the fluids under investigation. Depending on the particular
target, the blood/fluid concentration discrepancy can be temporal or permanent. If the real (i.e., blood)
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value is critically needed, individual benchmarking using blood analysis combined with long term data
collection usually featured by non-invasive sensors can be employed. If, on the other hand, the real
value is non-critical, the aforementioned data collection features can identify positive or negative
trends or abrupt baseline changes.
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Abstract: Recently, biosensors have been used in an increasing number of different fields and
disciplines due to their wide applicability, reproducibility, and selectivity. Three large disciplines in
which this has become relevant has been the forensic, biometric, and cybersecurity fields. The call
for novel noninvasive biosensors for these three applications has been a focus of research in these
fields. Recent advances in these three areas has relied on the use of biosensors based on primarily
colorimetric assays based on bioaffinity interactions utilizing enzymatic assays. In forensics, the use
of different bodily fluids for metabolite analysis provides an alternative to the use of DNA to avoid
the backlog that is currently the main issue with DNA analysis by providing worthwhile information
about the originator. In biometrics, the use of sweat-based systems for user authentication has
been developed as a proof-of-concept design utilizing the levels of different metabolites found in
sweat. Lastly, biosensor assays have been developed as a proof-of-concept for combination with
cybersecurity, primarily cryptography, for the encryption and protection of data and messages.

Keywords: biosensors; forensics; biometrics; cybersecurity; fingerprints; sweat; blood; cipher

1. Background

Biosensors are widely used in multiple processes today. These include, but are not limited to,
clinical diagnostics [1–10], environmental processes [11–13], the food industry [13–18], and devices for
military use [15,19,20]. More recently, the use of biosensors has been noted in other disciplines, namely
forensics, biometrics, and cybersecurity. As biosensors are devices that employ sensing techniques
relying on biorecognition elements, they are able to provide specific, rapid results pertaining to
bioaffinity-based reactions. The use of biosensors in forensics enables investigators to have another
source of information in addition to DNA analysis that also provides worthwhile information quickly
for them to narrow down their investigation in a timely manner. Biometrics and biosensors are
becoming more closely related as the technology improves in that field. The differentiation of people
with more noninvasive biosensors, biosensors that do not involve intrusive procedures, is exceedingly
useful. The main procedures used here involve electrochemical and enzymatic assays for analysis.
Lastly, with the advent of computers, the use of biosensors in unconventional computing [21] and
the combination of computing with chemistry, biology, and physics have become another facet
for biosensors.

Forensics

In the realm of forensic science, there is an increasing need for new technologies to aid investigators
and lab scientists in the pursuit of gathering worthwhile information from evidence. There are many
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subsections of evidence that are pertinent in the forensic field, but recent research has focused on three:
Fingerprints, blood samples, and sweat-based field testing for ethanol and other drugs.

In the history of forensics, fingerprints have been essential in addition to being a widely emblematic
feature of the forensic field in pop culture. However, fingerprints are mainly used in the field as
a comparative means of identification [22], and if a print cannot be utilized for this pictorial comparison
based on ridge structure, size, and shape, it is treated as exclusionary evidence [23]. This can be viewed
as a large limitation on the amount of data that one can gain from this relevant piece of evidence.
By analyzing the content of a print, namely the amino acids, one can gain some understanding of who
the donor of that print was and be able to narrow down the search for the investigators. This is due to
the metabolic [24] differences [25–28] in people due to their gender, age, medications, and lifestyle.
By analyzing these types of biomarkers in a fingerprint sample, it would not only allow for one to gain
much needed information that would provide additional context for investigators, but would also lead
to the reduction in the need to wait for the lengthy analysis of DNA that causes a backlog [29], if any
was recovered. According to the NIJ, a backlog is defined as any evidence that was not analyzed for at
least 30 days after submission to a laboratory. By analyzing the content of a fingerprint instead of the
pictorial fingerprint commonly relied on, it allows for smudged or partial prints, the prints that would
not provide ample evidence for comparison, to have value for investigators. The chemical content of
fingerprints has been examined as well, mainly focused on laboratory-based equipment such as mass
spectrometric (MS) techniques that focus on total fingerprint content [24,30,31], drugs of abuse [32,33],
and fatty acids to differentiate individuals based on age [34]. In addition to MS, there were optical
techniques, as well using spectrophotometric instrumentation with age differences based on lipids [35],
visual representation [36], and explosive content found on prints [37], as well as combined techniques
such as desorption electrospray ionization (DESI) and direct analysis in real-time mass spectrometry
(DART-MS) for total content [38–40] and for pictorial [41–43]. Further analysis of these techniques can
be found in a review in Trends in Analytical Chemistry [44].

In addition to fingerprints, blood is another matrix that is commonly obtained as evidence for
forensic investigators. In addition to the commonly known DNA matching with a database [45,46],
bloodstains are also used for splatter analysis [47–49], and there are even techniques to differentiate if
there are multiple overlapping stains [50]. An important quality relating to the bloodstain that was
missing was the time since it was deposited onto the surface, utilizing a technique that is practical and
did not require great sample prep or laboratory instrumentation. This is a vital piece of information as
it would allow for corroboration of stories told by possible witnesses and would enable the reduction
in irrelevant and unnecessary lab work to be done with blood that is too fresh or too old at a particular
scene. Another lapse in analysis of bloodstains is the determination of the age of the person the blood
is from, as this can be done with DNA but is a lengthy process [51]. Similar studies using biosensors
were to find biological sex and ethnicity [52,53]. Other lab techniques were attempted to be able to
perform age deduction; however, they were not applicable, due to serious flaws in the techniques [54].

The third forensic matrix is sweat. Sweat is a viable forensic sample for multiple reasons, as it
contains a small amount of DNA [55–58], and other metabolites and compounds [59–61], and people
leave traces of it upon contact of surfaces with their skin [62]. As fingerprints contain sweat in addition
to other components, it is a comparable matrix to what has been discussed previously. Sweat can
be detected in the field utilizing one of the main components in sweat—lactate [63–67]. Lactate is
prominent in sweat samples and, even though there are techniques that can be used in order to detect
it [68–71], they require complex laboratory instrumentation and are not viable methodologies for
on-site deployment. Some of these techniques rely on a tattoo-like sensing device that consists of
a potentiometric sensor with a wireless receiver [70,71], involving the use of a screen-printed electrode
on tattoo paper with a microfluidic channel for sweat collection and detection of analytes. By being
able to find sweat on surfaces directly at a crime scene, investigators would have additional samples of
viable evidence. Building upon this, emerging research has also looked at analysis involving ethanol.
Multiple studies have shown that ethanol is excreted into sweat [72,73] and that sweat cannot be
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tampered with, similarly to how people “trick” breathalyzers. There are wearable technologies that
allow for biosensing of metabolites in sweat [74,75]; however, they have a long delay, some up to
two hours, that makes them useless for on-site Driving While Intoxicated (DWI) analysis. Similar
research has looked into saliva for the identification of tetrahydrocannabinol (THC) [76] and an overall
approach that analyzes multiple types of legal and illegal compounds in sweat [77].

Biometrics

The second main discipline has been the use of biosensors for strictly biometric purposes. Namely,
current research has aimed to use bioassays for the identification and differentiation of individuals.
As mentioned previously, the content of different metabolites in sweat can be quantified, which can
be used to find differences between people. This has implications in both the prior forensics section,
biometrics in general, and even cybersecurity, which will be explained below. This method can be used
to provide an alternate to DNA testing similar to the other techniques being developed for forensics. This
kind of technology is similar to emerging research in biosensors and bioelectronics [78,79]. As mentioned
previously, the content within a person’s sweat is a result of metabolic processes [24–27,59,80] related
to what can be a person’s identifying factors such as age, biological sex, diet, and activity level. By
taking measurements of and comparing results for multiple biomarkers, one can differentiate a person
from others with these fluctuating factors. This can be applied for the unlocking of smart devices as
the technology is moving in this direction as well [81–83].

As mentioned previously, sweat has been an emerging source of information in both forensics and
biometrics. Many studies have been done for the advancement of various methodologies for different
compounds found in sweat [84–88]. Further descriptions of some of the recent methodologies that
have been developed for sweat analysis can be seen in Table 1 below.

Table 1. Recent biosensor analysis techniques for sweat.

Protocol Description Technique Analyte LOD/Range Ref.

Tattoo Wearable skin tattoo for wireless
signal transduction

Potentiometry Sodium 0.1–100 mM [71]

Tattoo Wearable skin tattoo for
pH monitoring

Potentiometry pH pH 3–7 [89]

Tattoo Wearable skin tattoo for
lactate monitoring

Potentiometry Lactate 1–20 mM [70]

Tattoo Wearable skin tattoo for monitoring Potentiometry Ammonium 10−4–0.1 M [90]

Superwettable
bands

Multiplex method for
on-body sampling Colorimetric

pH pH 4.5–7

[91]chloride 0–100 mM
glucose 0–15 mM
calcium 0–15 mM

Screen-printed
electrode

Monitoring of cystic fibrosis patients Potentiometry Chloride 2.7 × 10−5 mol/L [92]

Janus textile bands
Multiplex method for on
body sampling

Potentiometry

Glucose 18–40 μM

[93]Lactate 10 mM
Potassium 0.3–6.3 mM
Sodium 60 mM

Wearable sensor Stretchable, skin-attachable
sweat sensor

Potentiometry, Carbon
nanotubes, gold nanosheets

Glucose 10.89 μA mM−1 cm−2
[94]

pH 71.44 mV pH−1

Graphene
electrochemical

Diabetes monitoring Gold-doped graphene Glucose 10 μM–0.7 mM [95]

Microfluidic
wearable sensor

Multiplex analysis for sensing
in sweat

Colorimetric

Lactate 0–100 mM

[96]
Chloride 0–mM
Creatine 0–1000 μM
pH pH 5–8.5
Glucose 0–25 mM

liquigel Organic electrochemical transistor Transistor Lactate 0.3–1.3 mM [97]

Direct
iontophoresis

Sweat extraction and electrochemical
analysis using smartphone

Potentiometry Glucose 0–100 μM [98]
Chloride 20–80 mM
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Table 1. Cont.

Protocol Description Technique Analyte LOD/Range Ref.

Free amino acid
analysis

Eccrine sweat amino acid
composition

Cation chromatography and
amino acid analyzer, GC-MS

Amino acids - [99]

Wearable Sensor Chemical electrocardiogram and
simultaneous metabolite monitoring

Amperometry Lactate 0–28 mM [100]

microfluidic
Sweat collection and analysis for
kidney disorders Colorimetric

Creatine 0–0.5 mM
[101]Urea 0–250 mM

pH pH 5–7

Wearable sensor
Integrated multiplex array for
sweat analysis

Amperometry

Sodium 20–120 mM

[102]Potassium 2–16 mM
Glucose 0–200 μM
lactate 2–30 mM

Wearable sensor Monitoring for cystic fibrosis patients
for sodium concentration

Potentiometry
Atomic Absorption

Sodium 20–100 mM [103]

Watch sensor Monitoring of sodium levels Potentiometry Sodium 10−4 –10−1 M [104]

Tattoo Wearable skin tattoo for alcohol
monitoring in sweat

Amperometry Alcohol 0–36 mM [74]

Wearable sensor Drug monitoring via
differential pulse

Voltammetry Caffeine 0–40 x μM [105]

Wearable sensor Detection of THC and Alcohol
Voltammetry
Amperometry

THC 0.5 μM [76]
Alcohol 0.1–1 mM

Cybersecurity

The third and final discipline has been the use of biosensors for cybersecurity purposes. This is
a small transition from biometrics into cybersecurity as they are closely related. This research can be
applied in two different areas of cybersecurity—authentication and cryptography. Both are important
in our world with the advent of the digital age, so there is a call for innovative and worthwhile
technologies across all disciplines to innovate and advance the novel research into cyber technologies.
For authentication, biometrics that were mentioned previously can be applied. Ideally, if one can
differentiate people, the same technology can be used to identify a person, or at the very least,
dismiss an imposter. Cryptography is the use of codes and cyphers in order to encrypt data to keep
them safe, either in transmission between people as a message or safekeeping in storage [106–108].
Many multidisciplinary researchers have been applying their research to encryption, including,
but not limited to, fluorescence [109–117], nuclear magnetic resonance (NMR) [118], bacteria [119],
antibodies [120], and molecular computing systems [121–124], with the heaviest research in DNA
applications [125–133].

2. Research

Forensics

First, in the forensic field, emerging research has focused on the three areas of study above
with fingerprints [44,134–137], blood [138,139], sweat [140,141], and one general review on the use
of biocomputing in forensics [142]. These five fingerprint papers provide novel applications of
biorecognition elements that can be used for future biosensing devices. These papers are centralized
on the idea that people have different levels of certain L-amino acids, which are related to their
metabolism and different traits, allowing them to be differentiated into groups. The blood papers use
the degradation of certain enzymes in order to determine the time that a blood spot has been outside
the body and to identify the age of the originator from the level of a separate enzyme. The sweat
papers use the levels of different compounds in sweat in order to identify sweat and to be able to
provide an alternative technique for alcohol intoxication. The methodologies within these papers use
different biosensors, some via enzyme assays, some with chemical reactions. A generic enzymatic
assay diagram can be seen in Figure 1, where specific substrates for the enzyme are used in the assay to
produce byproducts, one of which is a recognition element. The last paper is a review on other trending
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types of fingerprint analysis such as the use of mass spectrometry, spectroscopy, nanotechnology,
and combinatorial methods [44].

 

Enzyme 

Figure 1. Generic enzymatic assay example.

A fingerprint paper from 2015 uses an enzymatic cascade utilizing L-amino acid oxidase (L-AAO)
and horseradish peroxidase (HRP) in the presence of L-amino acids to produce a visible color by
oxidizing the redox dye o-dianisidine, which results in a color that may be analyzed at 436 nm [134].
Due to the fact that women produce a higher amount of these amino acids than men [26–28], this assay
would allow for the determination of a person’s biological sex. First, the assay was performed utilizing
50 mimicked samples, 25 male and 25 female, containing 23 target amino acids in concentrations
based on reported values calculated in R-project software. This resulted in the area under the curve
(AUC) of a receiver operating characteristic (ROC) curve of 99%, showing a high probability for this
methodology to differentiate between the two sexes. This was then repeated with three male and
three female volunteers testing both their right and left thumbs in an acid extraction methodology
using polyurethane film as a medium that was developed in the same article. These real samples also
show definitive differentiation between the male and female prints. Different surfaces around the lab,
such as a computer screen and doorknob, were also tested in this manuscript to show viability on
different surfaces. An additional paper from 2016 follows the same principles as the L-AAO/HRP assay
in order to find an alternative methodology to determine biological sex, this time utilizing a chemical
assay [135]. This assay uses ninhydrin, which produces a colorimetric reaction with alpha-amino
(α-NH2) acids [143,144]. Ninhydrin is commonly used in forensics already as it produces Ruhemann’s
purple as a product in the presence of all α-NH2 acids. The process in this paper is similar to the
last: 50 total mimicked samples with designated concentrations of the 23 amino acids from R-project
software are analyzed photometrically at 570 nm. The area under the ROC curve in this case was at
94%, showing a high probability to correctly distinguish the two sexes. After this, five male and five
female volunteers were analyzed using this technique, resulting in a 91% area under the curve for
authentic samples.

Following this trend, a paper from 2017 also uses a chemical assay for the determination of
biological sex with the focus being on the Bradford reagent, Coomassie Brilliant Blue G-250 dye [136].
Bradford is commonly used for quantifying proteins and is less affected by reagents and nonprotein
components of samples than other commonly used reagents [145]. The goal of utilizing this assay is
that it only targets six specific amino acids with which to form a colorimetric complex, thus enabling
a more focused approach to the determination of biological sex with the ideal being the determination
of a single amino acid assay to differentiate the sexes. Contrary to the previous papers, only authentic
fingerprints were sampled from 50 authentic fingerprint samples from volunteers—25 males and
25 females. This resulted in an area under the curve of the ROC graph of 99%, showing the highest
probability of the three methods to correctly identify the biological sex of the fingerprint donor.

The final fingerprint paper to be examined goes one step further, by using two separate tests,
each targeting a specific amino acid, in order to differentiate on the basis of biological sex [137]. The two
methods used are an enzymatic cascade targeting alanine and a chemical assay that targets arginine.
The alanine-targeting assay consists of a three-enzyme cascade with alanine transaminase, pyruvate
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oxidase, and horseradish peroxidase [146]. In the presence of alanine in addition to the other substrates
necessary for the assay, a redox dye is oxidized by HRP and can be spectrophotometrically measured.
Following the previously established standard, even though the mimicked samples produced the
lowest AUC of the ROC curve with a value of 82%, the authentic samples of 50 total individuals was
vastly improved at 99.8%. The second technique in this research consisted of the application of the
Sakaguchi Test [147], which involves α-naphthol, NaOH, and sodium hypobromite in order to form
a red-colored complex. As in the previous experiments, both mimicked and authentic samples were
tested, resulting in both AUCs being 100%.

In order to apply these types of biosensor techniques to other bodily fluids that are forensically
relevant, blood is another focus of research. The main topic that research on blood is centered around
is the estimation of the time since deposition, TSD, of a blood spot. The first paper focuses on this
by measuring the levels of two biomarkers in blood, citrate kinase (CK) and alanine transaminase
(ALT), which denature with the passage of time of up to 5 days [138]. The CK assay involves
creatine and adenosine triphosphate as substrates for the first enzyme, CK, in a three-enzyme
cascade utilizing pyruvate kinase (PK) and lactate dehydrogenase (LDH) as the other two enzymes.
LDH, the third enzyme in the cascade, is the enzyme involved with production of the recognition
element β-nicotinamide adenine dinucleotide from β-nicotinamide adenine dinucleotide reduced,
which produces a reduction in signal at 340 nm. ALT is a two-enzyme assay that also utilizes LDH to
allow for simultaneous determination. ALT recognizes the substrates alanine and α-ketoglutaric acid.
By using a two-analyte system, this provides a more reliable system of determination as it has parallel
markers being analyzed compared to a single marker. Building upon this, the technique outlined in
the second paper uses one assay to determine not only the TSD, but also an estimation of the age of
the source individual [139]. By looking at alkaline phosphatase (ALP), this research achieves both
goals. This is due to the fact that ALP is a commonly used biomarker in clinical diagnostics for bone
growth that relates directly to the age of the individual. To measure this, ALP converts the substrate
p-nitrophenol phosphate into p-nitrophenol, which also acts as the recognition element as p-nitrophenol
is observable at 405 nm. As ALP is a biomarker for bone growth, and that it degenerates over time
when out of the body, one can obtain data about the relative age of the blood donor and the TSD up to
2 days. For the analysis of this methodology, 100 samples were prepared via the R-project software
mentioned previously, split evenly between young and old, males and females. The samples provided
an AUC for the ROC curve of 99% for males and 100% for the female group in differentiating between
old and young.

The third forensic medium that is being researched currently is sweat. As previously mentioned,
sweat has many forensic applications but is difficult to identify at a crime scene. To this end, a novel
methodology in order to identify sweat by use of a biosensor strip based on the detection of lactate
was developed [140]. This method utilized an enzymatic assay in order to detect lactate, a major
component in sweat. The assay used involved a two-enzyme cascade of lactate oxidase (LOx) and
horseradish peroxidase (HRP). LOx involves the substrates lactate and oxygen, which are used to
produce hydrogen peroxide. This hydrogen peroxide is then used by HRP as mentioned previously
with a redox dye to produce a signal. This methodology was able to detect sweat with minimal decay
for up to two weeks and at low amounts of sweat: Around 50 nL. This technique was even applied onto
a paper strip modified with polystyrene for use as a field-deployable device. This optical strip provides
a binary YES/NO for the presence of sweat via a color change, which is ideal for preliminary detection
of sweat that can itself be analyzed further. Additionally, sweat was further examined in a noninvasive
testing methodology for ethanol sensing on the surface of one’s skin [141]. This conceptualizes
an alternative method to breathalyzers by relying on an enzymatic assay involving alcohol oxidase
(AOx) and HRP that is quantified not only by UV-Vis spectrophotometry but also an optical camera.
AOx uses ethanol and oxygen as substrates to produce hydrogen peroxide, which is used by HRP as
mentioned previously. This research shows that there is a correlation between both techniques and
the currently used breathalyzer. The data were achieved from a 26-volunteer drinking study with
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people of different ages, biological sexes, and food habits. The sweat samples were obtained through
pilocarpine electrophoresis similar to the Gibson and Cooke method [148], which allowed the sweat to
be collected in gauze pads and analyzed. A minimum of 3 μL of sweat was required for this method.

These advances with biosensors in the field of forensics have produced a viable way for
investigators to receive some information to pursue leads if DNA evidence is backlogged or not
applicable using sweat and blood evidence found at the crime scene. Multiple enzymatic assays
were developed for the differentiation of biological sex of an individual from fingerprint content,
enabling an alternative or additional analysis for fingerprints depending on the clarity of the print
for pictorial analysis. Blood was examined, and provides a viable methodology in order to show the
time since deposition, TSD, and also an estimated age of the originator of the blood spot. Additionally,
a field-deployable testing strip was developed for the determination of sweat, supplying clarity
for a difficult-to-detect bodily fluid at crime scenes. Sweat was also tested in a laboratory setting
for an alternative to breathalyzers for the detection and quantification of alcohol in sweat utilizing
enzymatic assays and a colorimetric response. In the future, different drugs and illicit substances,
such as THC, in addition to a more broad analysis of metabolites characteristic to certain habits or
biological features can be examined for their use in forensics for providing a more deterministic and
rapid analysis for forensic and law enforcement personnel in a sweeping suite of biosensor devices.

Biometrics

Currently, biometrics is another avenue of interest for biosensors [149]. This paper from Hair et al.
uses the levels of three metabolites found in sweat in order to differentiate people. This analysis is
performed using three enzymatic assays that each target the metabolites: Lactate, urea, and glutamate.
The assay for lactate is the same one that was outlined in the sweat paper involving the paper strips.
The assay for urea involves the enzymes urease and glutamate dehydrogenase. The final assay that
is used for glutamate involves only glutamate dehydrogenase. These assays could be measured
spectrophotometrically using either a redox dye in LOx/HRP or with conversions involving NADH
and NAD+ in the other two. First, 50 mimicked sweat samples were run and compared, which showed
that this method was viable as there was no overlap between the samples. Additionally, 25 authentic
samples were analyzed, where the sweat was collected according to the same procedure as the Gibson
and Cooke method mentioned above [148]. A multivariate analysis of variance statistic test (MANOVA),
was performed for both the authentic and mimicked sample sets to determine if the combination of
the three analytes were truly unique. Both sets produced p-values of <0.001 each. In addition, six
ANOVA tests were performed between each analyte for the mimicked and authentic samples. All six
of these tests also produced p-values of <0.001. These statistical values show that there is not only a
significant statistical difference between individuals in the combination of the three analytes, but also a
significant difference between each individual for a single analyte. The analysis shows that these three
metabolites can be used in order to produce an individual’s “sweat profile,” enabling differentiation
between individuals. The implications for this research are multidisciplinary as there are many forensic,
cybersecurity, and point-of-care diagnostic applications that would benefit from this method.

This use of sweat content for biometric purposes is progressing but further research needs to be
done for biometrics to be a reliable form of authentication using biosensor methodologies. The main
future aspect that would need to be studied is a long-term study relating to the monitoring of the levels
of the chosen metabolites in people and how the levels fluctuate over time relating to different factors
such as stress, diet, and other day-to-day habits. For higher security when used for authentication,
especially for higher-security systems and cybersecurity, additional metabolites would need to also
be concurrently measured as well. This monitoring process would not only assist in the future of
biometrics but also in existing disciplines such as clinical diagnostics.
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Cybersecurity

Lastly, the use of biosensors for cybersecurity is a growing trend. The use of sensors for
authentication of an individual and a novel methodology related to cryptography were recently
developed [150,151]. The first paper represents a review with the aim of introducing a multi-assay
wearable biosensor that would provide continuous tracking of a person’s sweat metabolites for
authentication purposes. This review looks at many of the assays previously mentioned: ALT/LDH,
ALT/POx/HRP, and GlDH, and some that were not mentioned: Alanine and glutamate assay with ALT,
glutamate oxidase, and HRP; aspartate using the aspartate transaminase enzyme; and a combined
version with all three of these new analytes in a single assay. By monitoring these assays, one can
produce output data that would be beneficial in the authentication of a person with many cybersecurity
applications. The second paper illustrates the use of three enzyme assays in order to encrypt a short
message using a basic cipher [151]. The three enzymatic assays used involved HRP, lysozyme, and ALP.
HRP and ALP were used as previously mentioned. Lysozyme breaks down cell walls from cells added
during the assay to produce a reduction in signal at 450 nm, acting as the recognition element. The data
resulting from the colorimetric assays are used in the encryption of a message. Provided that the
receiver of the message performs the same experiment under the same conditions, the message will be
properly decrypted. The data from these enzymatic assays act as “keys” that one use in order to lock
and unlock data in relation to encryption.

This brief combination of cryptology and biosensors can have a large impact on the future of
user authentication, cryptography, and unconventional computing as a whole. The processes outlined
here can be combined with biometrics for user authentication, which is considered just as, or more,
important compared to data security through encryption. In cryptography, the further research of
other biosensor systems combined with stronger and more robust encryption methods can lead to the
advancement of these systems to be used instead of random number generators, which have been
controversial for use in cryptography since their inception [152]. Going even further, biosensors can
be further researched for direct encryption of data to provide an alternative to the widely researched
encryption via DNA [94–102,122–126,153–157].

3. Conclusions

Current research in biosensors has led to advancement in the use of biosensors on three fronts:
Forensics, biometrics, and cybersecurity. In the field of forensics, the use of fingerprint material has been
demonstrated to be capable of being used to determine the biological sex of a person through multiple
methods. These methods relied on the detection of certain amino acids, some methods consisted of
a broad detection of 23 amino acids, and some methods were much more selective and targeted down
to a single amino acid. Additionally, the use of another medium, blood, allows one to deterministically
estimate the amount of time that the blood has been outside the body for up to 2 days by analyzing the
degradation of enzymes present in blood. Additionally, it was found that a single assay was able to not
only estimate this time since deposition, but to also estimate the age of the originator. Sweat has been
the third major medium in forensic endeavors, building upon the fingerprint analysis as fingerprints
contain sweat. A novel methodology for a lactate-detecting on-site testing strip was developed in
order to identify the presence of sweat due to the high concentration of lactate in sweat. This method
was highly sensitive and required extremely small volumes of sweat to produce a tangible response.
Sweat has also been examined for other purposes, showing that one can detect the presence of ethanol
in sweat, providing another method of determining intoxication levels besides a breathalyzer or
invasive blood techniques, in addition to detecting other drugs of abuse. Sweat was further analyzed
for biometric purposes by comparing the levels of three metabolites found in sweat to differentiate
individuals. Lastly, methods involving biosensors for both the authentication of individuals and for
cryptography were developed, benefitting two major establishments of cybersecurity.

In the future, biosensors can further fulfill the expansion of these three fields with additional
research. In the field of forensics, a wider array of metabolites may be examined for use in a device
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that would analyze a certain body fluid and provide more information relating to the habits and
identifying information of the originator in addition to the biological sex and age mentioned previously.
Additionally, more research can be performed in order to provide for a broad testing kit with higher
accuracy and precision for various compounds, illicit and legal, for use in roadside testing to aid law
enforcement officers. Biometrics and biosensors are closely related, as shown by the research seen here.
Further analysis utilizing monitoring and other metabolite tracking will reinforce not only the strengths
in the use of this methodology but also possibly reduce or remove the current unknowns and limitations
for this method. Lastly, the use of different bioaffinity-based assay systems for cryptography for the use
of different cipher systems will provide a reliable alternative to the random number generator systems
used in cryptography today. This work in cybersecurity can also be combined with biometrics for user
authentication for digital and evolving systems. Biosensors have been an important facet in the fields of
clinical diagnostics, environmental processes, and military devices, and is a strong emerging technique
in the fields of forensic science, biometrics, and cybersecurity. In these three fields, biosensors have
produced considerable results thus far and have an auspicious future for further research.
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Abstract: Bioelectrocatalysis provides the intrinsic catalytic functions of redox enzymes to nonspecific
electrode reactions and is the most important and basic concept for electrochemical biosensors.
This review starts by describing fundamental characteristics of bioelectrocatalytic reactions in mediated
and direct electron transfer types from a theoretical viewpoint and summarizes amperometric
biosensors based on multi-enzymatic cascades and for multianalyte detection. The review also
introduces prospective aspects of two new concepts of biosensors: mass-transfer-controlled
(pseudo)steady-state amperometry at microelectrodes with enhanced enzymatic activity without
calibration curves and potentiometric coulometry at enzyme/mediator-immobilized biosensors for
absolute determination.

Keywords: current–potential curve; multi-enzymatic cascades; multianalyte detection;
mass-transfer-controlled amperometric response; potentiometric coulometry

1. Introduction

Electron transfer reactions such as photosynthesis, respiration and metabolisms play an important
role in all living things. A huge variety of redox enzymes catalyze the oxidation and reduction of
couples of two inherent substrates. Usually, the electrons are transferred between the two substrates
through a cofactor(s) that is covalently or non-covalently bound to the redox enzymes. The most
important ones are pyridine nucleotide coenzymes (NAD(P)(H)). The coenzymes shuttle back and
forth between NAD(P)-dependent enzymes and solution and mediate hydride ion transfers (single step
two-electron one-proton redox reactions) between two organic substrates in the biologic system
without generating any intermediate radicals. On the other hand, there are a variety of metallic ion
cofactors such as hemes, iron–sulfur clusters, copper ion, nickel ion and manganese ion, in redox
enzymes. These metallic ion cofactors undergo single or multistep single-electron transfers (SETs).
Flavin cofactors (FAD(H2) FMN(H2)) and quinone cofactors—including pyrroloquinoline quinone
(PQQ)—can undergo both hydride ion transfers and SETs. Molybdopterin cofactors (Mocos) have
similar properties. Therefore, flavin and quinone cofactors and Mocos have very important roles to
mediate between the hydride ion transfer and the SET systems.

The coupling of redox enzymatic reactions with electrochemical reactions has received worldwide
medical and scientific interests [1–14]. The coupled reaction is called bioelectrocatalysis. Since enzymatic
reactions show very high performance in the selectivity, catalytic activity, uniformity and enormous
chemical versatility, the coupling provides those redox–enzymatic characteristics to nonspecific
electrode reactions. Therefore, several bioelectrochemical devices have been developed based

Sensors 2020, 20, 4826; doi:10.3390/s20174826 www.mdpi.com/journal/sensors109



Sensors 2020, 20, 4826

on bioelectrocatalysis, such as biosensors [9,15], biologic fuel cells [16–20], bioelectrochemical
reactors [21,22] and biosupercapacitors [23].

Most of redox–enzymatic reactions can be coupled with electrode reactions via redox
mediators [3,24–26]. This reaction is called mediated electron transfer (MET)-type bioelectrocatalysis.
Since electrode reactions are not hydride ion transfers, but single or multistep SETs, NAD(P)-dependent
enzymatic reactions must be coupled to electrode reactions by using redox mediators that can
transfer both hydride ion and single electrons, such as flavins, quinones (especially o-quinones) and
phenothiazines (such as Meldola’s blue). For other redox enzymes (i.e., flavoenzymes, quinoenzymes,
metal-containing enzymes), a large variety of redox compounds (that undergo SETs)—including
metallic ion complexes (such ferrocenes, ferrocyanide, osmium complexes)—can be used as mediators.

On the other hand, it is known that some metal-containing enzymes and flavoenzymes can
directly exchange electrons with electrodes in the absence of any mediators in the catalytic reaction.
Such reactions are referred to as direct electron transfer (DET)-type bioelectrocatalysis [14,27–31].
In theory, DET-type bioelectrocatalysis can simplify the fabrication process of bioelectrodes and can
minimize the thermodynamic overpotential in a coupled reaction. However, redox enzymes that can
provide clear DET-type bioelectrocatalytic waves are limited in number, and DET-type reactions are
very susceptible to the chemical properties and structure of the electrode surface.

On the basis of bioelectrocatalysis, amperometric biosensors are analytical devices used to detect
specific target analytes (substrates) and have been widely used in various fields such as medical care,
environmental monitoring, food safety and industrial bioprocess monitoring [12,13,32,33]. Generally,
there are many compounds (analytes) in the target fluid. Therefore, multianalyte biosensors that
may combine cost-effective and rapid analysis with reducing the volume of samples have been
improved [34]. When one enzyme reaction cannot be effectively coupled with electrode reactions,
multiple enzymes that work in a cascade mode are required. In this case, immobilization and
colocalization of multiple enzymes are necessary for sensor fabrication, and various methods for
immobilization and colocalization of multi-enzyme have been reported [35–37].

However, the response of an amperometric sensor depends on detection time, which limits
practical application [4,9,11–13,26,32,33]. It is necessary for amperometric sensors to obtain steady-state
currents. If one can use biosensors without calibration, it is easy to monitor the concentration of
target analytes. In this sense, microelectrode detection was introduced to develop amperometric
biosensors [38–44]. Nonlinear diffusion of the substrate at microelectrodes causes diffusion-controlled
steady-state currents. In addition, microelectrode-type biosensors are suitable for miniaturization
and reducing the volume of samples. On the other hand, coulometry that can determine the absolute
quantity is an absolute analytical method. However, non-Faradaic background electricity (background
integrated current during absolute electrolysis) becomes too large to be ignored, compared with
Faradaic electricity to be measured at decreased concentrations of analytes. In order to overcome
this issue, potentiometric coulometry based on MET-type bioelectrocatalysis has been proposed,
in which the total electricity of an analyte in a small value of test solution is transferred to the mediator
immobilized on an electrode, and the change in the redox state of the mediator is potentiometrically
detected [45,46].

In this review, we describe fundamental concepts of MET- and DET-type bioelectrocatalytic
reactions, practical use of biosensors such as multi-enzyme biosensor and multianalyte biosensor and
prospective biosensors that can be utilized without calibration.

2. Fundamentals of Bioelectrocatalytic Sensors

Bioelectrocatalysis is the core reaction in electrochemical biosensors constructed with redox
enzymes and electrodes. The effective coupling between the enzymatic and electrode reactions
improves high performance for biosensors. In this section, the basic principle of the bioelectrocatalysis
is introduced.
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2.1. Theory of Steady-State Catalytic Currents in Met-Type Bioelectrocatalysis

2.1.1. MET-Type Bioelectrocatalysis in Homogeneous System

In the MET-type bioelectrocatalysis (for the oxidation of a substrate (S) to a product (P)),
the enzymatic reaction catalyzed by an enzyme (E) and the electrode reaction of a mediator (M)
are coupled as follows:

S +
nS

nM
MO

Enzyme
→ P +

nS

nM
MR, (1)

and

MR

Electrode
→ MO + nMe−, (2)

where nX is the number of electrons of X, MO and MR are the oxidized and reduced forms of the
mediator, respectively. In the presence of the enzyme, the mediator and the substrate in a quiescent
solution, a 1D reaction–diffusion equation of the MET-type bioelectrocatalytic reaction under the
steady-state conditions is expressed as follows:

∂cMO

∂t
= DM

∂2cMO

∂x2 − nS

nM

kccE

1 + KM
cMO

+
KS
cS

= 0, (3)

where cX is the concentration of X, t is the time, x is the distance from the electrode surface, DM is
the diffusion coefficient of the mediator, kc is the catalytic constant, and KX is the Michaelis constant
for X, respectively. When the overpotential is high enough and the excess amount of S is present in
solution (cS >> KS), the limiting steady-state current (is,lim) can be obtained and is expressed by solving
Equation (3) [47]:

is,lim = FA

√
2nSnMDMkcKMcE

{
cM

KM
− ln
(
1 +

cM

KM

)}
, (4)

where F is the Faraday constant, A is the electrode surface area, and cM ≡ cMOcMR, respectively.
Furthermore, Equation (4) is simplified in two limited cases of cM; when cM << KM:

is,lim = FAcM

√
nSnMDM

kc

KM
cE, (5)

and when cM >> KM:
is,lim = FA

√
2nSnMDMkccEcM. (6)

2.1.2. Reaction-Layer Model at Enzyme/Mediator-Immobilized Electrodes

Enzymes and mediators are often immobilized on the electrode surface for the application to
biosensors. In such situations, an enzyme/mediator-co-immobilized layer and a reaction layer must
be considered.

When the enzyme/mediator-co-immobilized layer is sufficiently smaller in thickness than the
reaction layer (L << μ, L and μ being the thickness of immobilized and reaction layers, respectively),
reaction (1) becomes a rate-determining step of the total reaction and the concentration polarization of
the mediator and the substrate becomes negligible. Introducing a reaction layer theory [48] under the
conditions of large overpotentials and cS >> KS, is,lim is expressed as follows:

is,lim = FAnSDM
kccE

1 + KM
cMO

L. (7)
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when L >> μ or L ≈ μ, is,lim is expressed as follows:

is,lim = FA
√

2nSnMDMkccEBtanh

⎧⎪⎪⎪⎨⎪⎪⎪⎩ L

1 + KM
cM

√
nS

nM

kccE

2DMKMB

⎫⎪⎪⎪⎬⎪⎪⎪⎭, (8)

where B = cM
KM
− ln
(
1 + cM

KM

)
. Equation (8) is simplified in two limited cases of cM, and μ is expressed as

follows: When cM << KM,

is,lim = FAcM

√
nSnMDM

kc

KM
cEtanh

(
L
μ

)
, (9)

μ =

√
nS

nM

kccE

DMKM
; (10)

and when cM >> KM,

is,lim = FA
√

2nSnMDMkccEcMtanh
(

L
μ

)
, (11)

μ =

√
nS

nM

kccE

2DMcM
. (12)

It is essential to optimize the value of L, in order to construct biosensors with large values of
is,lim/A using minimum amounts of enzymes and mediators.

2.1.3. Serial Resistance Model

The steady-state MET-type bioelectrocatalysis can be explained based on a serial resistance
model. In this model, we assume a set of series reactions (Figure 1): (1) mass transfer, (2) membrane
permeation, (3) enzymatic reaction and (4) electrode reaction. The steady-state current (is) can be
expressed as follows:

1
is
�

1
imt

+
1

iperm
+

1
ienz

+
1

ielec
, (13)

where imt, iperm, ienz and ielec are the limiting steady-state currents controlled by mass-transfer,
permeation, enzymatic reaction and electrode reaction, respectively. The value of imt is given by Levich
equation at a rotating disk electrode (RDE) or by Equation (15) at a microdisk electrode:

imt,RDE = ±0.620nSFAD
2
3
S ν
− 1

6ω
1
2 cS, (14)

imt,microdisk = ±4nSFDSrcS, (15)

where DS is the diffusion coefficient of the substrate, ν is a kinetic viscosity of the buffer solution, ω is
an angular rotation rate of the RDE, and r is a radius of the microdisk electrode. The plus and minus
signs in the current indicate the oxidation and reduction currents, respectively. The term iperm can be
expressed as follows:

iperm = ±nSFAPmcS, (16)

where Pm is a permeation coefficient of a membrane. The value of ienz is given by a
Michaelis–Menten-type equation in the presence of an excess amount of a mediator as follows:

ienz = ±nSFA
kcΓE

1 + KS
cS

, (17)
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where ΓE is the surface concentration of an enzyme. The value of ielec is given by a Butler−Volmer-type
equation as follows:

ielec = nSFAko
McS exp

{
nM,rdsF

RT

(
E− Eo′

M,rds

)}1−αM,rds

, (18)

where ko
M is the standard rate constant in the rate-determining step (rds) of the interfacial electron

transfer of the mediator at the electrode, R is the gas constant, T is the absolute temperature, nM,rds is
the number of electrons in the rds of the mediator (generally nM,rds = 1), E is the electrode potential,
Eo′

M,rds is the formal potential of the rds of the mediator, and αM,rds is the transfer coefficient in the rds
of the mediator.

−

Figure 1. Schematic view of mediated electron transfer (MET)-type bioelectrocatalysis based on a serial
resistance model.

Under the condition of E >> Eo′
M,rds, ielec becomes sufficiently larger than imt, iperm, and ienz to

give a steady-state limiting current. On the other hand, iperm depends on an outer membrane and
ienz is directly affected by kcΓE that often varies under measurement conditions such as temperature
and pH. Thus, a diffusion-controlled steady-state condition (imt << iperm, ienz, and ielec) is ideal for
amperometric biosensors, in which no calibration curve is required for determination.

2.2. Theory of Steady-State DET-Type Bioelectrocatalysis

In DET-type bioelectrocatalysis, an enzyme reacts with both a substrate and an electrode as follows:

S + EO

Enzyme
→ P + ER, (19)

ER

Electrode
� EO + nEe−, (20)

In this situation, is can be expressed by the following equation based on the serial resistance model
with a series of the mass-transfer process and the DET-type bioelectrocatalysis on the electrode surface
(electro–enzyme reaction):

1
is

=
1

imt
+

1
ielec−enz

, (21)
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where imt is given by Equations (14) and (15) for RDE and microdisk electrode experiments, respectively.
ielec-enz (the electro–enzyme reaction-controlled current) can be expressed as follows [49]:

ielec−enz = ± nSFAkc,DETΓE

1 + kc,DET
kf

+ kb
kf

, (22)

where kc,DET is the catalytic constant in DET-type bioelectrocatalysis, kf and kb are the interfacial
electron transfer rate constants of the forward and backward reactions, respectively, which are given
by the Butler–Volmer equations as follows: For oxidation,

kf = ko
Eη

1−αE,rds
E (23)

kb = ko
Eη
−αE,rds
E , (24)

and for reduction,
kf = ko

Eη
−αE,rds
E (25)

kb = ko
Eη

1−αE,rds
E (26)

where Ko
E is the standard rate constant in the rds of the interfacial electron transfer of the enzyme at

the electrode, ηE = exp
{

n′EF
RT

(
E− Eo′

E

)}
, n′E is the number of electrons in the rds of the heterogeneous

electron transfer of the enzyme (generally n′E = 1), Eo′
E is the formal potential in the rds of the enzyme,

and αE,rds is the transfer coefficient in the rds of the enzyme. When E >> Eo′
E , ielec-enz is limited to

± nSFAkc,DETΓE.
In addition, Ko

E decreases exponentially with an increase in the distance between the electrode
surface and an electrode-active site of the enzyme (d) [50–52]. Thus, DET-type bioelectrocatalysis
is often improved by using mesoporous electrode materials on which enzymes adsorb in increased
probability of orientations favorable for DET-type reactions. Suitable modification of the electrode
surface with chemical substances leads to electrostatic or specific attractive interaction between the
electrode surface and the enzyme surface close to the electrode-active site [14,30].

2.3. Examples of MET/DET-Type Biosensors

The most popular enzymatic biosensors are those for self-monitoring of blood glucose (SMBG);
blood glucose concentration being an important index in the treatment of diabetes. Various types of
amperometric glucose biosensors have been reported [53–59]. SMBG sensors involve FAD-dependent
glucose oxidase (GOD) [60,61], bacterial and fungal FAD-dependent glucose dehydrogenase
(FAD-GDH) [62,63], PQQ-dependent soluble GDH (PQQ–sGDH) [64–66] and NAD-dependent GDH
(NAD-GDH) [67]. Characteristics of the enzymes are summarized in a review [68].

Kakehi et al. reported a biofuel cell-type glucose biosensor using bacterial flavohemo-GDH
complex containing a cytochrome subunit as well as an FAD subunit. The authors proposed that
the enzyme proceeded DET-type bioelectrocatalysis at the cytochrome subunit and the open-circuit
potential was used as a measure of the glucose concentration in the range of 0.5 mM to 6 mM [69].

Fructose biosensors are also useful in food analyses and diagnoses of kidney function. The sensors
can be utilized for determining the inulin clearance, a difference of the intake and discharge of
inulin filtered in the kidney, inulin being hydrolyzed into fructose and glucose by inulinase [70].
A membrane-bound flavohemo enzyme, d-fructose dehydrogenase (FDH), catalyzes two-electron
oxidation of d-fructose, shows high activity of DET-type bioelectrocatalysis and is often mounted on
fructose biosensors [71]. Both DET- and MET-type fructose biosensors are summarized in a review [72].

Cellobiose dehydrogenase (CDH) is useful for lactose biosensing [73]. CDH comprises an
FAD-containing larger catalytic dehydrogenase domain and a heme b-containing smaller cytochrome
domain that directly communicates with electrodes [73]. As a mimic of CDH, in addition, the cytochrome
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domain was introduced into some other flavoenzymes by protein engineering methods and the
engineered enzymes realized DET-type bioelectrocatalysis. Ito et al. designed a cytochrome domain-
linked fungal FAD-GDH and constructed a DET-type amperometric glucose biosensor [74].

3. Multi-Enzymatic Cascades

3.1. Diaphorase/NAD(P)+-Dependent Enzymes

NAD(P)+/NAD(P)H is a natural coenzyme involved in a large variety of redox enzymes. Usually,
NAD(P)(H) shuttle back and forth between NAD(P)-dependent enzymes and solution to transfer the
hydride ion. However, NAD(P) is an unfavorable mediator in MET-type reactions for NAD(P)-dependent
enzymes, because the direct electrochemical reaction of NAD(P)(H) at electrodes requires high
overpotentials, because NAD(P) is not a two-SET carrier, but a hydride ion carrier; SET characteristics are
essential for electrode reactions. Therefore, other additional mediators, such as Meldola’s blue (MB) that
can undergo both hydride ion transfer and SETs, were used as mediators. MB shows large values of the
second-order reaction rate constant with NAD(P)H (hydride ion transfer) and also the heterogeneous
electron transfer rate constant with electrodes (SET) [75]. Avramescu et al. constructed a d-lactate biosensor
using NAD-dependent d-lactate dehydrogenase (d-LDH), NAD(H) and MB, with a detection limit of
0.05 mM, a linear range of 0.1–1 mM and a sensitivity of 1.2 μA cm−2 Mm−1 [76].

Furthermore, FMN-containing diaphorase (DI) that catalyzes a redox reaction between NAD(P)(H)
and an artificial mediator can be utilized to build up more efficient mediated systems and was
introduced in MET-type biosensors using NAD-dependent enzymes [77–80]. Takagi et al. analyzed
bienzymatic MET-type bioelectrocatalysis of NAD-dependent l-lactate dehydrogenase (l-LDH) and DI
using several mediators (Figure 2A) [77]. The bienzyme system realized an interconversion (two-way
conversion) between l-lactate and pyruvate. Nikitina et al. reported an amperometric formaldehyde
biosensor with NAD-dependent formaldehyde dehydrogenase, DI and an osmium redox polymer,
with a detection limit of 32 μM, a linear range of 50–500 μM and a sensitivity of 2.2 μA cm−2 mM−1 [79].

−

−

Figure 2. (A) Schematic view of MET-type bioelectrocatalysis of l-lactate dehydrogenase (l-LDH)
and FMN-containing diaphorase (DI); (B) schematic view of bienzymatic bioelectrocatalysis using an
NADP+-dependent enzyme and ferredoxin-NADP+ reductase (FNR).

On the other hand, Siritanaratkul et al. reported a DET-type interconversion of NADP+/NADPH
catalyzed by ferredoxin-NADP+ reductase (FNR) [81]. They also demonstrated l-glutamate synthesis
from 2-oxoglutarate and NH4

+ by the coupled reactions of FNR and NADP-dependent glutamate
dehydrogenase (GLDH) [81]. Multi-enzymatic biosensors using FNR have not yet been reported,
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but a DET-type NADP+/NADPH interconversion by FNR is potentially important in constructing
NADP-dependent enzymatic biosensors without any additional mediators (Figure 2B).

3.2. Peroxidase/Oxidases

Several oxidases (ODs) were used as bioelectrocatalysts of 1st generation biosensors, which can
detect and quantify target compounds by direct electrochemical oxidation of the enzymatically
generated hydrogen peroxide (H2O2) to dioxygen (O2) [82–84]. However, direct oxidation of H2O2 at
the electrode surface requires high overpotentials, and thus these biosensors are sensitive to interference
by coexisting reductants [83,84].

In order to overcome this issue, H2O2 generated in an OD reaction was reductively detected
with a help of horseradish peroxidase (HRP) that catalyzes two-electron reduction of H2O2 to H2O.
The HRP reaction was frequently coupled with electrode reactions via MET-type bioelectrocatalysis.
The two-enzyme reaction coupled electrode may be called OP-type biosensors, here. In OP-type
biosensors, the following reactions proceed:

S + O2

OD
→ P + H2O2, (27)

H2O2 + 2H+ + 2e−
HRP/electrode

→ 2H2O, (28)

By introducing HRP, H2O2 detection at lower potentials was realized and the interference from
other substances was reduced. The ODs mounted on OP-type biosensors reported so far are as follows:
GOD [85,86], galactose oxidase (GalOD) [87],d- andl-amino acid oxidase [85,88,89],l-glutamate oxidase [90],
amine oxidase [91], alcohol oxidase [85,91–95], urate oxidase [96], zinc superoxide dismutase [97], etc.
Castillo et al. also investigated the bioelectrocatalytic characteristics of sweet potato peroxidase (SPP), and
SPP-based OP-type biosensors showed higher performance than HRP-based ones [91].

In addition, multi-enzymatic biosensors were constructed by incorporating upstream enzymatic
reactions in OP-type biosensors. Tkáč et al. constructed a glucose-non-interfering lactose biosensor by
introducing β-galactosidase that hydrolyzes lactose to galactose and glucose, into the GalOD-HRP
system [98]. Several groups reported cholesterol oxidase/cholesterol esterase/HRP co-immobilized
biosensors, which enabled to monitor total cholesterol [99–101]. On the other hand, Nieh et al. reported
a multi-enzymatic creatinine biosensor, as shown in Figure 3 [102].

−

−

−

−

Figure 3. Schematic view of multi-enzymatic creatinine biosensor. CNH, CRH, SOD and
PVI[Fe(CN)5] 2−/3− indicate creatinine amidohydrolase, creatine amidohydrolase, sarcosine oxidase
and pentacyanoferrate-bound poly(1-vinylimidazole), respectively.
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Recently, it was found that HRP showed a DET-type bioelectrocatalytic activity at mesoporous
carbon and nanostructured gold electrodes [103,104] and third generation OP-type biosensors using
the DET-type reaction of HRP were reported. Xia et al. reported glucose and putrescine biosensors
using GOD and putrescine oxidase, respectively [41,103]. In addition, Kawai et al. constructed an
analytical model of an OP-type pyruvate biosensor based on the serial resistance concept [44].

4. Multianalyte Detection

Real samples are mixtures containing multiple components. In particular, biologic samples have
complex compositions and interrelation among the compositions remains unclear. In addition, there
are many diseases of which the specific biomarker has not been found out. Status of the human
health is often evaluated on the basis of the balance of the compositions of the body fluid. Therefore,
the multianalyte sensing and monitoring of biologic samples, that is, big data in human health attracted
attention [105–107]. Similarly, multianalyte detection in environmental samples is also an important
subject [108]. Electrochemical sensors are easily miniaturized and compatible with such multianalyte
detection [109–111]. The development of printing technologies reduces the cost of the fabrication of
bioelectrochemical sensors and realize a disposable sensor array system with a complicated structure.
In this section, some notes in simultaneous multicomponent measurements are outlined.

4.1. Crosstalk among Amperometric Biosensors

Electrical circuits of the amperometric sensors are on the basis of potentiostat. In the simplest
construction of potentiostat, the working electrode set to common potential [112]. The circuit functions
to maintain the potential difference between the working and reference electrodes at the setting potential
by current flowing. Therefore, it is basically impossible to employ multiple working electrodes and
a single pair of reference and counter electrodes by multiple potentiostats. Moreover, when the
multiple electrochemical systems locate in a sample solution, the unnoticed electric connection of the
potentiostats (for example, sharing ground) possibly causes the current flow between the working
electrodes. In order to avoid these problems in simultaneous measurements, it is necessary to employ
a special apparatus (it is called multipotentiostat).

The desorption of enzymes and mediators from the electrode surface also becomes the origin of
crosstalk among the sensing devices in biosensors for multianalyte detection. The immobilization of
enzymes and mediators and employment of the permeable membrane are effective to reduce this type
of crosstalk. In the disposable biosensor array, the design and layout of the sensors on the sensing
device are important to prevent the cross-contamination within the measurement period.

4.2. Absolute and Relative Concentration

In order to reduce the damage of the subjects in sampling, discharged body fluids such as saliva,
sweat, tear and urine are better samples than blood. The homeostasis of the blood is important in
the living things, while the water contents in such discharged body fluids change readily with time,
movement and uptake, etc. Therefore, determination of the relative concentration of the components
to the internal standard becomes more important than the determination of the absolute concentration
of the components in the body fluids. Here, the homeostasis of the internal standard will become
problems because its concentration affects all over the measurements. Furthermore, the calibration
of the individual sensors is a fatal problem because the calibration process of the sensor for the
multiple-analyte is incompatible with the disposable sensors. Calibration of the sensors is required
if the sensitivities of sensors are unstable. Therefore, the stability of the sensor is important in
disposable sensors.

4.3. Examples of the Internal Standard in Body Fluids

The most widely used internal standard in the urine sample is creatinine. Creatinine is a metabolite
of creatine in muscle. The produced creatinine transfers from blood to urine through the kidney.
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The steady-state production of creatinine in the human body is widely accepted. Therefore, in the
blood of healthy people, the concentration of creatinine is practically constant, and the amount of
creatinine transferred into urine is also constant. In urine analysis, creatinine is usually employed for
calibration of other components. However, since renal dysfunction causes the variation of creatinine
concentration in urine, creatinine is not a perfect standard [113].

The water content in sweat is easily varied. The suggested internal standards in sweat are chloride
ion [114] and sodium ion [115]. Because it is difficult to incorporate those ions into the redox reaction,
potentiometry is suitable to detect these ions.

In the metabolism of human bodies, l-lactate is a normal product. However, bacteria can produce
both d- and l-lactates. Therefore, d-lactate in body fluids is a marker for bacterial infection [116].
In order to remove the dilution effect of body fluid, the most suitable reference material is l-lactate.
Therefore, the simultaneous detection of lactate enantiomers is the most effective construction. In order
to determine the d/l ratio of lactate in body fluid, the combination of the diffusion-limited amperometric
d- and l-lactate sensors was reported based on MET-type bioelectrocatalysis of corresponding
NAD-dependent enzymes and MB [43].

5. Prospective Biosensors without Calibration

Biosensors are fundamentally fragile, due to enzyme properties. The functions of biomaterials are
easily suppressed by acid, base, oxidation, heat, dehydration and other external factors. Because the
sensitivities of biosensors are generally labile to change, frequent calibrations of biosensors may
be required to guarantee accuracy. In this section, prospective biosensors without calibration
are introduced.

5.1. Significance of Mass-Transfer Controlling

As mentioned above, the current response of an amperometric biosensor is expressed as a serial
combination of each reaction step. A simple case of the substrate reductive MET-type biosensing
employing rotating disk electrode is considered here.

As mentioned in Section 2, the response of biosensors is affected by many physical quantities.
However, the stability or reproducibility of these quantities is different from each other in the constructed
biosensors. The features of the selectable or controllable values are summarized in Table 1. Generally,
the electrode area (A) is easy to control except for nanoelectrodes. The formal potential of the mediator
(Eo′

M) is possible to control by the selection of the mediator. Since the stability of redox mediators are
limited due to oxygen and light damage, it is difficult to define the rigid redox state of mediators.
Since the stability of the reference electrode is frequently poor, the value of E is unstable. The lack of
uniformity of permeable membranes causes the poor reproducibility in Pm. The rotating speed is easy
to control. The most unstable component in the biosensor is enzymes. The value of kcΓE decreases by
the denaturation of the enzyme with time. Therefore, the mass transfer process is the most stable and
controllable in amperometric biosensors. The stabilization of biosensors must be achieved by setting
the mass transfer process as the rate-determining step.

Table 1. Physical quantities affected to the amperometric biosensing.

Physical Quantities Stability Reproducibility Controllability

Surface area of electrode (A) Good good good
Standard redox potential (Eo′

M) good good poor
Concentration of mediator (cM) poor good good

Electrode potential (E) poor poor good
Permeability of membrane (Pm) good poor poor

Rotating speed (ω) good good good
Enzyme activity (kcΓE) poor poor poor
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5.2. Bioelectrocatalysis at Microelectrodes

As described in the above (Section 2), the steady-state mass transfer from the solution to an
electrode is realized by rotating electrodes or microelectrodes. However, since the rotating electrode
requires a special apparatus, the application in the biosensors for real sample measurements seems to
be difficult. Therefore, microelectrodes are more suitable for construction for amperometric biosensors.
Another advantage of microelectrodes is a high signal–noise ratio because of the relatively high
Faradaic current density against the charging current density.

Microelectrodes are classified into some types based on the symmetry of the shape, such as
microsphere, microdisk, microcylinder and microband [112]. The microdisk electrode is the most
available one. The time-dependence of the limited current of a microdisk electrode (imd) with a radius
of r is given as follows [117],

imd = 4nSFDScSr
{

0.7854 + 0.8862
√
τd + 0.2146 exp

(
−0.7823√

τd

)}
, (29)

where τd is the dimensionless time for the microdisk and is defined as follows:

τd =
4DSt

r2 . (30)

At the long-time limitation (t→∞), the current reaches a steady-state value given by Equation (15);
the mass-transfer-limited current density at the microdisk electrode increases with a decrease in the
radius of the electrode. On the other hand, the enzymatic reaction-limited current density would be
constant at a constant surface density of the enzyme. Therefore, it would become difficult to satisfy
the requirement for diffusion-controlled biosensors (ienz >> imt,microdisk) at microdisk electrodes with
extremely small values of r. A similar situation is expected for other types of microelectrodes. In other
words, most of the microelectrode-type biosensors are often controlled by the enzymatic kinetics (or the
permeability of the outer membrane, if any), and therefore the response would be labile to change.
However, if one can realize extremely fast enzymatic reactions on microelectrodes, one may satisfy the
condition: ienz >> imt,microdisk.

The simplest case is extremely fast DET-type bioelectrocatalysis at a microdisk electrode. In this
situation, the substrate concentration at the microelectrode surface is regarded as zero, that is,
diffusion-controlled limiting current conditions are realized. Some of multicopper-oxidases (MCOs)
reduce O2 to water with sufficiently high activity at the surface of mesoporous electrodes by
DET-type bioelectrocatalysis. Mass-transfer-controlled DET-type bioelectrocatalysis was realized
at MCO-modified porous gold microdisk electrodes [118]. The porous electrode was employed
to increase the effective surface area and the probability of orientations suitable for DET-type
bioelectrocatalysis thanks to curvature effects [19,119,120]. Figure 4A shows voltammograms recorded
at a Cu-efflux oxidase-modified porous gold microelectrode (solid line) with and (dotted line) without
oxygen. The sigmoidal curve indicates the DET-type bioelectrocatalysis of O2 reduction. A clear
potential-independent limiting current was observed. The limiting current linearly increased with
the bulk concentration of O2, as shown in Figure 4B. The solid line in Figure 4B shows the theoretical
sensitivity calculated with Equation (15) using the literature value of DS and the microscopically
measured r. The agreement between the experimental and theoretical sensitivities verifies that the
response of the constructed O2 sensor is truly controlled by the mass transfer of O2. Since the sensitivity
of the sensor is independent of the activity of CueO, the sensor shows excellent reproducibility and
stability at a given temperature.
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Figure 4. (A) Cyclic voltammogram of CueO-modified porous gold microdisk electrode recorded with
r = 20 μm (solid line) with and (dotted line) without oxygen; (B) (squares) experimental and (solid
line) theoretical calibration curve for the oxygen biosensor. Reprinted from ref. [118], Copyright (2020),
with permission from Elsevier.

The situation of MET-type bioelectrocatalysis at a microelectrode is more complicated than that of
DET-type bioelectrocatalysis due to the diffusion of the mediator. However, when a large amount of
active enzymes exist in the system, it is possible to realize the substrate–diffusion-controlled MET-type
bioelectrocatalysis at a microdisk electrode. According to this concept, a MET-type glucose sensor was
constructed using a microdisk electrode, 1,2-benzoquinone and FAD-GDH [39]. The current response
quickly reached a steady-state (Figure 5). The linear range of the sensor was from 0 mM to 3 mM of
glucose while the concentration of the mediator was 1 mM in the system (inset in Figure 5). Obviously,
the linear range was beyond the endpoint situation. Moreover, the current response of the sensor
agreed with the diffusion-controlled value of glucose.

Figure 5. Chronoamperometric response for glucose oxidation in a buffer solution containing 0.21-mM
FAD-dependent glucose dehydrogenase (FAD-GDH) and 1-mM 1,2-benzoquinone at a microelectrode
with diameter of 50 μm. Inset shows the calibration curve based on the current at 10 s. Reprinted with
permission from ref. [39], Copyright (2013) Japan Society for Analytical Chemistry.

The situation where the MET-type bioelectrocatalysis occurs around a microelectrode was
simulated by the finite element method [40]. The concentration profiles of the substrate, reduced form
of the mediator, and reduced enzyme are given in Figure 6 under the conditions that the enzymatic
reaction is extremely fast. While the concentration gradient of the substrate spreads hemispherically,
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the concentration gradient of the mediator is located only in the vicinity of the electrode surface.
The concentration profile of the enzyme clearly shows that the enzymatic reaction occurs only in the
thin region (as a reaction plane) where the enzyme concentration gradient exists. The flux of the
substrate is quickly converted to that of the mediator in the thin region. Therefore, the surface of the
thin region plays the role of a virtual electrode that selectively reacts with the substrate. The increase
in the substrate concentration leads to a decrease in the distance of the thin region and then increases
the current density.

 

Figure 6. Concentration profiles of (A) substrate, (B) reduced mediator and (C) reduced form of enzyme
around an microdisk electrode with r = 25 μm at a substrate concentration of 4 mmol dm−3, a mediator
concentration of 1 mmol dm−3, an enzyme concentration of 0.2 mmol dm−3. Profiles calculated for the
situation of 20 s after the potential step at the limiting current conditions. Reprinted from ref. [40] with
permission from the PCCP Owner Societies.

5.3. Pseudo-Steady-State Response

Although microdisk electrodes provide clear steady-state current, the current is quite small.
In order to increase the current, microdisk electrode array without overlapping of the diffusional
concentration gradients (scattered microdisk electrode array) is one of the solutions [38,121–123].
However, the fabrication of such a scattered microdisk electrode array is a technically challenging issue.
Another solution to increase the current may be the employment of microband electrodes. Ultrathin
ring electrodes can be considered as rod electrodes [124,125]. The time-dependence of the limiting
current at a microband electrode (imb) with a length of l and a thickness of w is given by [126]:

imb = nSFDScSl

⎡⎢⎢⎢⎢⎢⎢⎣π exp
(
− 2

5
√
πτb
)

4
√
πτb

+
π

ln
{
64τb exp(−0.5772156) + exp

(
5
3

)}
⎤⎥⎥⎥⎥⎥⎥⎦, (31)
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where τb is the nondimensional time for the band electrode and is defined as follows,

τb =
DSt
w2 . (32)

According to Equation (31), imb easily magnifies with an increase in l. On the other hand, imb

becomes 0 at t→∞. Therefore, the exact analysis of imb based on the steady-state current is not
possible. However, the decay of imb is so slow that the current is practically indistinguishable from the
so-called steady-state current. In actual electrochemical measurements, a quasi-steady-state response
is acceptable for practical use. For example, MET-type bioelectrocatalysis of FAD-GDH at microband
electrodes provided the values very close to the diffusion-limited response [42].

Since the current density at a microelectrode is quite large, the mass-transfer-limited
bioelectrocatalysis is fundamentally difficult. Therefore, a relatively large microelectrode (r = 1.5 mm)
is promising to realize the mass-transfer-limited bioelectrocatalysis. In Equation (29), time is a
dimensionless quantity and the scale is determined by r. Therefore, Equation (29) is more suitable
to define the limiting current decay at a disk electrode than the Cottrell equation. The current decay
given by Equation (29) is slower than that of the Cottrell equation. Even if the electrode radius is few
mm, the limiting current reaches quasi-steady-state values. The quasi-steady-state characteristics of a
disk electrode (r = 1.5 mm) realized diffusion-controlled lactate biosensing [43].

5.4. Potentiometric Coulometry

Coulometry is one of the absolute quantification methods and the most accurate electroanalytical
methods in theory. In coulometry, the charge (electricity) due to the objective redox reaction is
measured. Coulometry coupled with bioelectrocatalysis is a familiar technique [127–131]. However,
small Faradaic current compared with the non-Faradaic current at porous electrodes causes a decrease
in the accuracy of bioelectrocatalytic coulometry.

On the other hand, potentiometry is expected to avoid the effect of non-Faradaic current.
When redox mediators exist in the solution, the redox enzymatic reaction with the mediator changes
the ratio of the oxidized and reduced forms of the mediator. The change of the ratio changes the
equilibrated solution potential based on the Nernst equation. When the redox mediator is immobilized
at the electrode surface in a thin layer, the change of the ratio of the oxidized and reduced forms of the
mediator (ΓO/ΓR) changes the equilibrated electrode potential (E). If the total amount of immobilized
mediator (AΓT) is constant, the accumulated charge (QS) is evaluated directly from the initial value
and equilibrated value of E (Ei and Ef, respectively) as follows:

Qs =
−nMFAΓT

1 + exp
[nMF

RT (Ef − E◦′)
] + nMFAΓT

1 + exp
[nMF

RT (Ei − E◦′)
] . (33)

However, in the case of osmium complex polymer as a mediator immobilized at the electrode
surface, the relationship between E and ΓO/ΓR was deviated from the Nernst equation [45]. The most
possible cause is strong electrostatic interactions between the redox sites in the polymer. An increase in
the ionic strength in the medium will decrease the electrostatic interaction between the redox species at
the electrode surface. In order to increase the ionic strength, a redox active thin liquid film containing
a highly concentrated electrolyte solution was fabricated on the electrode surface [46]. Figure 7
shows the construction of the liquid film-modified electrode. The components of the thin liquid film
were a hydrophobic ionic liquid (1-ethyl-3-methylimidazolium bis(nonafluorobutanesulfonyl)imide),
organic medium (dibutyl phthalate) and a redox mediator (ferrocene). Ferrocene is enzymatically
oxidized at the surface of the liquid film by H2O2 with peroxidase (POD). Since the electrostatic
interaction was effectively suppressed, the liquid film-modified electrode played as a reversible and
ideal surface-confined system. Since the value of AΓT is controlled in the fabrication of the modified
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electrode, the value of QS by the bioelectrocatalysis can be estimated from Equation (33) without
any calibration.

Figure 7. Schematic illustrations of (A) accumulation process and (B) potentiometric measurement
of a liquid-film-modified electrode. Reprinted from ref. [46], Copyright (2015), with permission
from Elsevier.

The sensitivity of the potentiometric coulometry could be regulated on the basis of the value of
AΓT. Since no current flows across the system, the interference due to the non-Faradaic processes could
be eliminated by potentiometric coulometry.

6. Conclusions

Over the past few decades in the field of bioelectrochemistry, several attempts have been
made to utilize redox enzymes as electrocatalysts and to develop novel bioelectrochemical systems.
By comparison with inorganic catalysts, redox enzymes have distinctive characteristics such as high
activity, extremely large size, identity by regeneration, uniformity, versatility and fragility. In this
review, we provide an overview and additional insights and discuss the recent progress on the
practical use of amperometric biosensors such as multi-enzyme biosensors, multianalyte biosensors.
The characteristics of each type of bioelectrocatalysis are summarized in Table 2. Prospective
diffusion-controlled biosensors based on DET- and MET-type reactions and potentiometric coulometry
based on MET-type reaction may be utilized without calibration. All these efforts may be useful for
constructing bioelectrochemical sensors for practical use.

Table 2. Advantages and disadvantages of the bioelectrocatalytic systems for biosensing.

Type of Bioelectrocatalysis Advantage Disadvantage

MET-type
Easy coupling of enzyme reaction
High loading of enzyme and
mediator per projected area

Leakage of mediator and/or enzyme
Stability of mediator
Low thermodynamic efficiency

DET-type Crosstalk-free
High thermodynamic efficiency

Limited amounts of effective enzyme
per projected area
Limited number of enzymes
Interference from strongly adsorbing
substances

Multi-enzymatic cascade Flexibility in sensor design Instability due to series reactions
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Abstract: This review summarizes the fundamentals of the phenomenon of electron transfer
(ET) reactions occurring in redox enzymes that were widely employed for the development of
electroanalytical devices, like biosensors, and enzymatic fuel cells (EFCs). A brief introduction on
the ET observed in proteins/enzymes and its paradigms (e.g., classification of ET mechanisms, maximal
distance at which is observed direct electron transfer, etc.) are given. Moreover, the theoretical
aspects related to direct electron transfer (DET) are resumed as a guideline for newcomers to
the field. Snapshots on the ET theory formulated by Rudolph A. Marcus and on the mathematical
model used to calculate the ET rate constant formulated by Laviron are provided. Particular
attention is devoted to the case of glucose oxidase (GOx) that has been erroneously classified as an
enzyme able to transfer electrons directly. Thereafter, all tools available to investigate ET issues are
reported addressing the discussions toward the development of new methodology to tackle ET issues.
In conclusion, the trends toward upcoming practical applications are suggested as well as some
directions in fundamental studies of bioelectrochemistry.

Keywords: enzyme-based biosensors; direct electron transfer (DET); redox enzymes; nanostructured
electrodes; protein film voltammetry (PFV)

1. Introduction

Redox enzymes are defined as proteins that facilitate biological electron transfer (ET) processes,
acquitting for multiple essential biological functions like photosynthesis, respiration, nucleic acid
biosynthesis, etc. [1–3]. Redox cofactors within the enzymes exhibit different ET thermodynamics
and kinetics [4–6]. Moreover, redox cofactors exhibit different formal potentials (E◦) spread over a
potential window of approximately 1.5 V [3,7–15], which is wider, especially compared to the water
thermodynamic stability window, Figure 1, considering hydrogen ions reduction to molecular hydrogen
(E0’2H+/H2 = −0.41 V vs. standard hydrogen electrode (SHE) at pH 7) and oxygen reduction to water
(E0’O2/H2O = +0.82 V vs. SHE at pH 7) normally occurring in biological systems [16,17]. Recently,
it was demonstrated how the potential of redox cofactors is affected by the redox center architecture
and the surrounding protein structure [18–20].
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Figure 1. Standard potentials (E◦) of various redox proteins and enzymes measured at pH 7.0
and recalculated vs. standard hydrogen electrode (SHE) reference. The potentials spread over
range of values for the species originating from different biological sources. The data (except
FAD oxidases/dehydrogenases and PQQ dehydrogenases) is adopted from [3] with permission.
The potentials of FAD oxidases originate from refs. [7,8]; the potentials of FAD dehydrogenases
originate from refs. [9–11]; the potentials of PQQ dehydrogenases originate from [12–15].

The driving force in the investigation of biological redox molecules is mainly related to
understanding the biochemical reactions being molecular bases of life [21]. Redox enzymes
are extensively employed in the production of biofuels (e.g., hydrogen, methane, cellulose
breakdown, etc.) [22–24]. However, they have also been used to develop new biocatalysts
to solve challenging synthetic problems, to capture atmospheric CO2 [25]. Despite the great
achievements in synthetic biology and green energy production, redox enzymes, being able to convert
biological stimuli into electronic signals, are widely exploited in the development of electrochemical
biosensors [26–28]. Among different sensing applications, the most famous example is certainly about
blood glucose sensing, which greatly improved the life of billions of people worldwide [29–31].

In this research frame, most of bioelectrochemists have focused their attention on possible solutions
to tackle direct electron transfer (DET) issues mainly for the development of sensitive, selective and stable
biosensors [32–34]. The electronic coupling between redox enzymes and electrodes for the development
of biosensors and biofuel cells can be accomplished according to three mechanisms, denoted as first-,
second-, and third-generation biosensors. [35,36] Notably, first-generation biosensors are based on
the electroactivity of a substrate or product of the enzymatic reaction [37] (Figure 2A). Second-generation
biosensors based on mediated electron transfer (MET) use redox mediators (relays), which are small
electroactive molecules shuttling electrons between the enzyme active sites and an electrode [38],
Figure 2B. These can be freely diffusing mediators or bound to side chains of flexible redox polymers.
In this class, we certainly include all enzymes that are using freely diffusing nicotinamide dinucleotide
(NAD+) as primary electron acceptor, which later needs an immobilized catalyst (e.g., phenothiazines
or quinones, particularly including pyrroloquinoline quinone (PQQ) [39], etc.) to reoxidize (recycle)
NADH [40,41], Figure 2C.

132



Sensors 2020, 20, 3517

Figure 2. Different ways of electronic communication between redox enzymes and conductive
electrodes: (A) Electrical communication through electrochemical transformations of enzyme substrate
or product (exemplified with reduction of O2 and reduction/oxidation of H2O2 typical for oxidases).
(B) Electrical communication using electron transfer mediators (relays) cyclic between oxidized (Medox)
and reduced (Medred) states (exemplified with an enzyme oxidizing a substrate and reducing a mediator,
which is electrochemically re-oxidized and recycled back to Medox). (C) Electrical communication
using NAD+/NADH cofactor re-oxidized and recycled electrocatalytically (exemplified with an enzyme
oxidizing a substrate and reducing NAD+ yielding NADH). (D) Electrical communication via direct
electron transfer (DET) from an enzyme active center to an electrode (exemplified with an enzyme
oxidizing a substrate and generating anodic current at an electrode). (E–H) Structures of the most
typical enzyme redox cofactors: flavin adenine dinucleotide (FAD), nicotinamide adenine dinucleotide
(NAD+), pyrroloquinoline quinone (PQQ) and heme.

The mediated ET has been achieved in systems of different complexity [1], ranging from very simple
diffusion-operating soluble electron transfer mediators to very sophisticated molecular “machines”
shuttling electrons between redox active centers of immobilized enzymes and a conductive electrode
support [42]. A very efficient and at the same time simple construct was based on a redox enzyme
(e.g., glucose oxidase, GOx) immobilized in a polymer matrix with pendant redox mediator units [43,44].
The enzyme was physically entrapped into the polymer matrix (Figure 3A) or covalently bound to
the polymer chain (Figure 3B). The electrocatalytic (ET) current [44] (Figure 3C) has been achieved
with random electron hopping from a mediator site to another site, finally reaching an electrode
surface. This approach, pioneered by Adam Heller (Figure 3D), was one of the first effective electronic
coupling of redox enzymes with electrodes. Another approach has been developed using redox
groups tethered to an enzyme backbone, then operating as electron-transporting stations through
quasi-diffusional conformational changes in the linker, if the linker was long enough to provide
flexibility and mobility of the bound redox mediator [45]. Importantly, the location of the linker
should be close to the catalytically active enzyme center. When amino groups of lysine residues are
used for the covalent binding of the mediator, their position in different enzymes is important [46]
(Figure 4A–C). The mediator-functionalized enzymes first operated in a solution [45] (Figure 4D,E)
and then were immobilized at an electrode surface [47]. The tethered mediator facilitated ET from
oxidizing enzymes to electrodes (providing anodic current) [20,45] (Figure 4D,F) or to reducing enzymes
(providing cathodic flow of electrons) [48,49] (Figure 4E,G), depending on the type of the enzyme
and appropriate redox potential of the bound mediator.
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Figure 3. (A) An enzyme physically entrapped in a polymer operating as a redox matrix providing
the enzyme electrical wiring by electron hopping through redox sites finally reaching an electrode
conducting support. The redox-mediator sites are represented with [Os-(2,2′-bipyridine)2]2+/3+-complex
pendant at poly(vinylpyridine) matrix. (B) A similar system where the enzyme is covalently bound to
the redox polymer. The systems have been pioneered by Prof. Adam Heller. They are exemplified
with an enzyme oxidizing a substrate and generating anodic current mediated by the redox polymer
irrespective of the enzyme orientation. (C) A cyclic voltammogram, showing a 400 μA cm−2 glucose
diffusion limited current density reached at 40 mM glucose concentration with the wired-enzyme
shown schematically in (B). The scan rate is 5 mV/s. (D) Prof. Adam Heller – the pioneer in the enzyme
wiring according to many various approaches, particularly including systems exemplified in (A,B).
(Part C was adopted from [44]; (D) the photo was adopted from Wikipedia, public domain).

Third generation biosensors or DET-based biosensors are realized with the direct electronic
connection between the redox center of the enzyme and the electrode surface, which is working as a
signal transducer [50], Figure 2D.

From the perspective of biosensing application, the third-generation electrode platform based
on DET mechanism shows important advantages compared to MET, considering both soluble
and immobilized mediator, and first generation. First of all, the absence of mediators and electroactive
substrates/products allows a higher selectivity because the biosensor can operate at a potential
closer to the E◦ of the redox enzyme, thus reducing possible interfering reactions. Second, both
soluble/immobilized mediators and electroactive substrates/products may also facilitate unspecific
reactions. Next, the absence of a reagent in the reaction sequence makes the device easier to realize.
However, as mentioned above adsorbed/immobilized mediators allow the realization of reagentless
biosensors (no freely diffusing mediator in solution), which is an obvious advantage compared to other
second-generation biosensors that rely on the addition of mediators to sensing solution [2,34].

Today, an efficient ET connection between a variety of electrodes and a wide range of
redox enzymes has been accomplished for many redox enzymes (e.g., flavin adenine dinucleotide
(FAD), nicotinamide dinucleotide (NAD+), pyrroloquinoline quinone (PQQ), or heme-based redox
enzymes) [51]. The chemical structures of their cofactors are shown in Figure 2E–H.
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Figure 4. (A–C) Comparison of the positions of lysine residues in Aspergillus niger derived glucose
oxidase (AnGOx) (PDB ID: 1CF3), Botryotinia fuckeliana derived glucose dehydrogenase (Bf GDH)
(model), and A.flavus derived GDH (Af GDH) (PDB ID: 4YNU). Lysine residues are shown in dark
blue. In Bf GDH and Af GDH, lysine residues (K483, K477, circled) are located at the entrance of what
appears to be a pathway to the active center. In AnGOx, an isoleucine residue (I489, circled) is located
at this position. (D) The electron transfer from soluble GOx to a Au electrode mediated by ferrocene
redox relay (R) species covalently tethered to the enzyme with long flexible chains. Note that ferrocene
has a positive redox potential needed to mediate the oxidative biocatalytic process. The biocatalytic
reaction results in glucose (Glc) oxidation and gluconic acid (GlcA) formation. (E) The electron transfer
from a Au electrode to soluble glutathione reductase (GR) mediated by viologen redox relay species
covalently tethered to the enzyme with long flexible chains. Note that viologen has a very negative
redox potential needed to mediate the reductive biocatalytic process. The biocatalytic reaction results
in transformation of the oxidized glutathione (GS-SG) to the reduced glutathione (G-SH). (F) Cyclic
voltammograms obtained with a bare (unmodified) Au electrode (a disk of 1.5 mm diameter) measured
in the presence of a ferrocene-functionalized GOx (12 ferrocene electron relays per a GOx molecule,
shown schematically in (D); 10 mg/mL): (a) in the absence of glucose; (b) and (c) in the presence of
0.8 mM and 5 mM glucose, respectively. A phosphate buffer solution (0.085 M, pH 7.0) was used
as a background electrolyte applied under N2 atmosphere. Scan rate was 2 mV/s. (G) Formation of
reduced glutathione bioelectrocatalyzed by GR functionalized with viologen mediator units tethered to
the enzyme with long flexible chains (see experimental details in [48]. (Part A is adopted from ref. [46]
with permission; part F is adopted from [20] with permission.)

Based on the previous literature, electrostatic compatibility between an electrode
and protein surface (part of the surface responsible for ET) seems to play a key role in order to
establish an efficient DET, thus showing fully reversible or quasi-reversible cyclic voltammograms
in non-turnover conditions (in the absence of an enzyme substrate) [52–54]. Thereafter, the reversibility
of non-turnover cyclic voltammograms (depending on the ET rate) will affect the catalytic current
produced in the presence of an enzyme substrate. Moreover, the polarity of redox enzyme/electrode
interfaces is dramatically affecting the enzyme molecules adsorption and orientation onto the electrode,
thus sometimes not facilitating DET processes or even hindering their adsorption, which impedes
any biological ET without relying on redox mediators [55,56] (Figure 5A). In this regard, another
important aspect, that has been deeply investigated about the enzyme–enzyme and enzyme–interface
interactions, is the ability of small multivalent cations to promote the ET between negatively charged
proteins and electrodes (e.g., Mg2+ or Ca2+, which are ubiquitous in nature) [57]. In this regard, Schulz
and his co-workers have been able to increase the catalytic activity of cellobiose dehydrogenase (CDH)
by the addition of CaCl2 to the buffer [58,59] (Figure 6). Cellobiose dehydrogenase (CDH, EC 1.1.99.18)
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is an extracellular monomeric redox enzyme that consists of a catalytically active dehydrogenase
domain (CDHDH), connected through a flexible linker region to a cytochrome domain (CDHCYT).
During the catalytic process, carbohydrates (e.g., cellobiose, lactose or glucose) undergo two electrons
oxidation at the FAD cofactor (CDHDH) subsequently transferring electrons from CDHDH to CDHCYT

by an internal electron transfer (IET) process. The reduced CDHCYT further transfers electrons to
one-electron molecule acceptors, like cytochrome c (Cyt c), in a biological process or to a macroscopic
electrode in a bioelectrochemical process [60–62]. The observed effects of especially divalent Ca2+ on
the catalytic currents (increased up to five times) can be ascribed to a modified interaction between
CDHCYT and the electrode and/or between CDHCYT and CDHDH. Regarding the IET, most probably
Ca2+ ions are complexed by the carboxyl groups of aspartic and glutamic acid at the interface of
the CDHDH and CDHCYT domains, thus resulting in a closer domain interaction and a higher IET rate.
This concept has been recently demonstrated also for fructose dehydrogenase (FDH), which exhibits a
similar structure compared to CDH [63].

Figure 5. (A) Non-specific protein adsorption outcomes: (a) Electrostatic attraction of oppositely
charged protein residues and electrode surface results in immobilization of the protein in an
electroactive orientation, facilitating direct electron transfer between a redox center and the electrode.
(b) Protein becomes adsorbed in an orientation that does not facilitate direct electron transfer.
(c) Protein does not adsorb to the electrode surface and the direct electron transfer is not possible.
(B) Alignment of cytochrome c (Cyt c) at a Au electrode surface functionalized with a promoter
self-assembled monolayer. The alignment results in a short distance between the heme active center
facilitating the direct electron transfer. (C) The cyclic voltammograms obtained in the presence of
Cyt c (0.1 mM): (a) at a bare Au electrode without the protein alignment and with no direct electron
transfer; (b) at a modified electrode (as shown in (B)) with the alignment facilitating the direct electron
transfer. Potential scan rate is 50 mV s−1. Phosphate buffer (1 mM, pH 7.0) under Ar was used as a
background electrolyte.
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Figure 6. Direct electron transfer from the immobilized cellobiose dehydrogenase (CDH) catalytic
domain to an electrode via a covalently linked cytochrome (Cyt) domain. The bioelectrocatalytic
current depends on the conformation of the flexible linker. The short electron transfer path resulting
in facilitation of the current was realized in the presence of Ca2+ cations.

Electrostatic interactions or hydrogen bond formation between redox proteins (e.g., cytochrome c)
and monolayer-functionalized electrode surfaces have been used to align proteins at an electrode
surface providing a short distance between the redox cofactor and conducting interface (Figure 5B),
thus allowing reversible electron transfer [64,65], which was impossible without the orientation effect
for the protein molecules (Figure 5C).

In addition to the electrostatic forces that are affecting the enzyme orientation, DET efficiency
is also affected by the internal electron tunneling distances. On this specific aspect, Harry Gray
and his co-workers demonstrated that electron tunneling distances play a key role in the ET between
electron-donor and electron-acceptor partner redox-active centers, thus affecting the ET rate [66–68].
According to Guo and Hill theory [69], the enzymes can be classified in intrinsic enzymes, in which
there are no pathways for the electron tunneling because of the absence of appropriate redox sites,
and extrinsic enzymes, in which there is a redox acceptor allowing the electron tunneling toward
the electrode. Moreover, Dutton et al. established a simple and practical rule that within metalloenzyme
structures, high ET rates are supported by an electron tunneling distance of less than 14 Å between
redox active sites and electrodes avoiding limiting steps in the redox catalysis. Ideally, in order to allow
efficient ET, all enzyme molecules would adsorb and orient on the electrode with the same sub-14 Å
distance between the redox cofactor and the electrode [70].

This review aims at summarizing all findings about DET of redox enzymes with a special focus
on theoretical (e.g., Marcus theory) and practical aspects (e.g., electrochemical techniques used to
study DET and (bio)engineering approaches used to tackle DET issues). A particular attention will be
devoted to the case of glucose oxidase (GOx, E.C. 1.1.3.4) from Aspergillus niger that has been widely
and wrongly used to develop DET based biosensors. Despite the huge number of publications on
this subject, that unfortunately accounts for thousands of citations, there is no solid evidence to support
DET in GOx based on a stunning statement made by George Wilson: “based on recent experimental
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results, the observed electrochemical signal corresponds to the FAD cofactor non-covalently bound
to the enzyme scaffold that comes out from the redox enzyme upon application of potential, getting
adsorbed onto the electrode surface” [71].

2. Theoretical Aspects of Electron Transfer (ET) Processes

2.1. Marcus Theory

In 1992, Rudolph A. Marcus was awarded with the Nobel Prize in Chemistry for his contribution
to the development of the ET theory in chemical systems [72,73] (Figure 7A). The theory takes into
consideration changes in the structure of the reacting molecules and the solvent’s molecules. Based on
changes in the energy of the molecular systems, the rate of chemical reactions can be calculated [74].

 
Figure 7. (A) Rudolph A. Marcus, the Nobel Prize in Chemistry (1992) recipient “for his contributions to
the theory of electron transfer reactions in chemical systems”. (B) Profile of potential energy (E) surfaces
vs. nuclear coordinates (Q) for a reactant, an electron donor (|D〉), and a product, electron acceptor (|A〉),
corresponding to an electron transfer reaction: dD and dA—coordinates corresponding to the energy
minimum of the reactant and product, respectively; ED and EA minimum energies (redox potentials)
of the reactant and product, respectively; ΔG◦ and ΔG‡—free Gibbs energy change and activation
energy, respectively, in the course of the electron transfer reaction; λ—reorganization energy upon
transition from the reactant to the product. The equation is the theoretical expression derived by R.
A. Marcus for the electron transfer reaction rate dependence on the energy parameters and electron
transfer distance (see explanations for all parameters in [75]. (The photo is adopted from Wikipedia,
public domain.)

In an ET reaction, we must first define the electron donor species (D) and the electron accepting
ones (A). To enhance the coupling probability of their electronic orbitals, D and A (reactants) should be
as close as possible. On the other hand, both vibrational and orientational (affected by surrounding
environment) coordinates are varying around the equilibrium values mainly due to charge transfer
occurring during the ET process [75]. The potential energy of D and A as reactants and products is
expressed as a function of their nuclear coordinates, which can be represented in a multidimensional
potential-energy surface (Figure 7B). It should be emphasized that biological ET shares certain features
in common with the ET in chemical systems [76]. However, despite the similarities in the ET in chemical
and biological systems, we should also consider some substantial differences typical for biochemical
reactions—(i) lack of self-exchange reactions, (ii) slightly less available structural information compared
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to chemical systems, (iii) less homogeneous environment for the ET in biological systems, (iv) lack
of free energy (ΔG0) data for biological systems, (v) ΔG0 data are dependent on electric potential
across the membrane of biological systems, (vi) protein conformational changes may precede or
follow the electron transfer in biological systems, thus the binding free energy might differ between
the oxidized and reduced form of redox cofactor, and (vii) hindering the possibility of any contacts
between donator and acceptor redox center due to physical constrains (e.g., redox centers should have
locked position in biological systems) [77].

In biological systems, the dependence of the ET rate on the distance between D and A has been
widely elucidated both theoretically and experimentally. In this regard, the ET theory for biological
systems, named afterwards “Marcus Theory”, is able to predict the ET rate constant value as given by
Equation (1):

kET ∝ e[−β(d−d0)]e[
−(ΔG0+λ)

2

4RTλ ] (1)

where β corresponds to the decay or attenuation factor (about 10 nm−1 for proteins), ΔG0 and λ

correspond to the free Gibbs energy and reorganization energy accompanying the ET process; d0 and d
are the Van der Waals distance and actual distance between redox active sites; while R and T have their
usual meanings [78].

Considering biological D and A reactants similar to those involved in a long range non-biological
intramolecular ET, the ET rate constant can be approximated as e−βr, so exponentially dependent on
the distance (βr) between D and A (as reactants). In the aforementioned formula, the ET rate constant is
also dependent on intrinsic (λ) and thermodynamic (ΔG0) factors as well as dependent from the mutual
orientation of the reactants. Although this is the universal rule to study and improve DET connection
between redox enzymes and electrodes, other formulas and models have been proposed to calculate
the ET rate at an electrode surface.

2.2. Other Theoretical Aspects

Today, many bioelectrochemists are using the model proposed by Laviron to compute the ET rate
constant valid for diffusionless (surface-confined) electrochemical systems. The model was derived
at first considering linear sweep voltammetry measurements, and it can be applied for any degree
of reversibility of the electrochemical reactions [79,80]. However, the main constrain of the model is
that both the oxidized and reduced forms of redox species should be strongly adsorbed (immobilized)
onto the electrode surface. The first theoretical approximation was derived with the assumption that
the adsorbed species do not interact with each other (Langmuir isotherm) [79]. The ET rate constant can
be calculated considering the trend between the variation of peak potentials (both anodic and cathodic)
toward the logarithm of potential scan rates. The heterogeneous electron transfer rate constant (ks)
for adsorbed (and eventually monolayer immobilized) species can be calculated as follows (Equation
(2)):

log ks = α log(1− α) + (1− α) logα− log
( RT

nFν

)
− α(1− α)nF

ΔEp

2.3RT
(2)

where α denotes the electron transfer coefficient, ks is the standard rate constant of the surface reaction,
ν represents the potential scan rate, n is the number of electrons transferred, RT is the gas constant
and absolute temperature (K), and ΔEp is the peak-to-peak separation. The experimentally determined
ΔEp (the difference between the anodic and cathodic peaks; ΔEp = Epa − Epc) can be found from
linear sweep or cyclic voltammetry experiments. The calculated electron transfer rate constant, ks,
can be only a rough estimated value because of many assumptions (mostly assuming Langmuir
isotherm for the adsorbed redox species) used in the first theoretical approximation [79]. The second
approximation developed by Laviron and Roullier [80] partially solved this problem taking into
account possible interactions (attractive or repulsing) of the redox species in the monolayer. However,
this theoretical treatment included many parameters which are usually unknown and difficult to find
experimentally. Thus, the second Laviron’s approximation was rather useless for practical calculations.
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Overall, the experimental procedure required for the Laviron’s estimation of the rate constant
corresponding to the interfacial electron transfer usually includes cyclic voltammetry performed with
different potential scan rates, then finding ΔEp as a function of the logarithm of the potential scan rate.
All other parameters can be found from independent experiments, thus allowing use of the Laviron’s
equation (Equation (2)).

3. Why Glucose Oxidase (GOx) Cannot Undergo DET?

In 1962, Clark and Lyons reported for the first time the employment of glucose oxidase
(GOx) from Aspergillus niger (E.C. 1.1.3.4) for the development of an enzyme-based electrode [81].
This report has always been recognized by the scientific community as the year of birth of biosensors.
Afterward, GOx was widely studied as a redox enzyme for many bioelectrochemical applications
(e.g., biosensors, enzymatic fuel cells (EFCs), etc.) [31,82,83]. There are several reasons for its
popularity [84]. It is commercially available at relatively cheap costs. Moreover, it is highly active,
very stable, and robust as an enzyme [85]. However, the most important reason is its ability to
oxidize β-D(+)-glucose, thus allowing monitoring of β-D(+)-glucose for clinical applications like
the management of diabetes [29,86,87].

Since Clark’s initial paper, an enormous number of papers on electrochemical glucose biosensors
have been published [88–93]. As earlier reported in this review, also amperometric glucose biosensors
can be divided into three classes based on the type of ET mechanism. While the pioneering work of
Clark was highly important for development of electrochemical biosensors, much more practically
important results have been obtained with the second-generation biosensors based on mediated
electron transfer (MET), greatly contributed by Anthony Cass and Adam Heller [43,44,94] who used
ferrocene mediating electron transfer from GOx and included enzymes in polymeric redox matrices,
respectively [43,44,94,95]. These works are certainly the most significant advancement in the topic
of biosensors [96]. About the “third generation” glucose biosensors, there has always been an open
debate on the possibility for GOx to transfer electrons directly from its FAD-cofactor to an electrode
surface [71,97]. In this regard, Bartlett et al. recently managed to prove experimentally that there is no
evidence to support DET of GOx, thus the vast majority of publications in the literature about DET of
GOx are claiming misleading results [98]. This paper raised considerable attention of the scientific
community, especially after a “strong” statement made by George Wilson (published as editorial
of Biosensors and Bioelectronics in 2016 [71]), and today, it has been acknowledged and endorsed by
all bioelectrochemists.

The main explanation is based on a deep and comprehensive analysis of the GOx enzymatic
structure. The enzyme is a homodimer (composed of two identical units containing flavin adenine
dinucleotide (FAD) active sites) highly glycosylated with a molecular weight (MW) of about 160 kDa
(the MW is dependent on the level of glycosylation) [99]. The GOx enzyme exhibits high specificity
for oxidation of β-anomer of D(+)-glucose and the reaction occurs through a “ping-pong” mechanism,
where one of the oxidized FAD in the homodimer reacts with the substrate to give the reduced
flavin (FADH2) and the product gluconolactone (which undergoes a subsequent hydrolysis in neutral
solution to gluconic acid) [100], as shown in Equations (3a) and (3b).

β-D(+)-glucose + GOx(FAD)→ D(+)-glucono-1,5-lactone + GOx(FADH2) (3a)

D(+)-glucono-1,5-lactone + H2O→ gluconic acid (3b)

when the GOx-catalyzed reaction proceeds in an artificial system (not in a native biological environment)
the reduced active centers, GOx(FADH2), in the homodimers are then oxidized by reaction with oxygen,
regenerating the initial oxidized form GOx(FAD) and producing H2O2 as a byproduct (Equation (4)).

GOx(FADH2) + O2 → GOx(FAD) + H2O2 (4)
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Unfortunately, the majority of the early studies reported on glucose biosensors were performed
without any knowledge of the enzyme crystal structure, thus without the knowledge of the distance
separating the FAD cofactor and an electrode surface. Notably, the 3D structure of GOx was published
by Hecht in 1993 [101–103] (Figure 8A). Based on the analysis of the GOx crystal structure, the two
flavin active sites are deeply buried within the enzyme body, thus hindering any redox communication
between the two dimeric units of the enzyme. From the crystal structure, it is possible to observe a
distance of about 17–22 Å between the active sites and the enzyme surface. Actually, this distance
was estimated for a deglycosylated enzyme; thus, in reality, distances might be larger considering that
the molecular weight and size of the “native” (glycosylated) GOx are higher by 16-25% compared
to the deglycosylated species [104–106]. Therefore, the DET for GOx is rather unlikely. Moreover,
it is possible to observe the presence of a channel at the interface between the GOx homodimers.
This structure actually hinders any possibility of non-specific electron transfer to electron acceptors
available in biological systems and controls the local environment around the FAD cofactor ensuring
high selectivity, not oxidizing any closely related carbohydrates. The turnover rate for the β-anomer of
D(+)-glucose is 150 times higher than that for the α-anomer [107].

Figure 8. (A) Representation of the secondary structure of GOx. The image was obtained with PyMol
software, PyMol visualizations are based on the crystal structure of GOx from Aspergillus niger, PDB
code 1gal http://www.rcsb.org/pdb/explore/explore.do?structureId=1GAL. (B) Cyclic voltammograms
showing oxygen reduction on a glassy carbon electrode modified with multi-walled carbon nanotubes
and loaded with GOx: (a) in the absence of glucose, and in the presence of (b) 2 mM, (c) 4 mM
and (d) 8 mM glucose. The experiment was performed in 0.1 M phosphate buffer, pH 6.8, in the presence
of oxygen (in equilibrium with air) with the potential scan rate of 60 mV s−1. Note that this and similar
cyclic voltammograms were erroneously reported as the proof of the DET with GOx. (The figure is
adopted from ref. [98] with permission.)

In most previous papers, GOx has been immobilized on carbon-based nanomaterials (e.g., carbon
nanotubes, graphene, graphite, etc.) or metal-based nanomaterials (e.g., gold nanoparticles, porous
gold, etc.) [108–114]. Concerning carbon nanomaterials, the claimed DET of GOx is often attributed
to some “special” but not clearly specified, properties of the carbon nanomaterials or possibly some
particular interactions of the enzyme and the carbon nanotubes that allow to access the active site,
thus enabling the charge transfer between the FAD cofactor and carbon nanotubes [115–118].

In a typical cyclic voltammogram, the data reported to support these claims of DET for glucose
oxidase are (i) a pair of peaks with the shape characteristic of surface-confined redox species at around
−0.26 V vs. SHE at pH 7, assumed to be the FAD in the active enzyme center, and (ii) the catalytic
current upon addition of glucose that correlates with the glucose concentration. Figure 8B shows
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the typical results usually considered as evidence for DET of GOx, without taking into account the real
scientific meaning of the results. First, the current response shows a reductive “catalytic” current
that cannot be considered as oxidation response expected from the enzymatically catalyzed oxidation
of glucose. Second, the surface redox peaks around −0.26 V vs. SHE are unchanged by addition
of D(+)-glucose with both oxidation and reduction peaks clearly present throughout and simply
moving with the changing background. Third, the change in the current upon glucose addition
starts at approximately 0 V vs. SHE, which does not match with the thermodynamic potential of
FAD. To analyze and understand the results reported in Figure 8B, we should consider the fact
that oxygen is dissolved in the solution. Most likely, the reductive “catalytic” wave correlates with
the reduction of oxygen on carbon nanotubes electrode that starts at 0 V vs. SHE. The reductive
“catalytic” current decreases because oxygen is serving as electron acceptor for the reaction catalyzed by
the enzyme, thus being less available for its reduction at the electrode surface upon addition of different
concentration of glucose [119]. In other words, the observed effect of glucose originates not from
the glucose oxidation but rather from O2 depletion. Next, we should also consider that the reduction
of oxygen produces mainly H2O2 in that potential window [120]. Moreover, H2O2 exhibits a large
overpotential window on carbon nanotubes being thus unavailable for its further reduction to water.
However, the reaction can be easily catalyzed in the presence of metal nanoparticles incorporated into
carbon nanotubes on the electrode surface, therefore consuming the H2O2 produced from the enzymatic
reaction [121–123]. It should be noted that the redox peaks observed (E0’= −0.26 V vs. SHE in pH 6.8)
in non-turnover conditions cannot be taken as the evidence for the DET from the flavin in the active
site of GOx to the electrode surface. Conversely, they most likely arise from free FAD adsorbed
directly on the electrode surface. The free FAD can either be present as impurity of the enzyme sample
or dissociate from the enzyme during the incubation of the electrode with the enzyme [98]. These
experiments unequivocally prove that GOx immobilized on an electrode surface cannot undergo DET
reaction mechanism. Unfortunately, many of these claims were usually supported by the sentence
“the data presented are similar to previously reported literature”, without considering the reliability
and the “correct” scientific meaning or interpretation of the results.

4. Methods to Investigate DET Issues

For bioelectrochemists, one of the most intriguing and recent challenges has been the construction
of an electrode platform based on the DET mechanisms. Notably, to realize the DET mechanism and then
to prove it many methods have been developed. Herein, we sort them in two classes: biochemical
methods facilitating the DET (e.g., deglycosylation, enzyme mutation, etc.) and electrochemical
methods investigating the process and providing the prove of the DET (e.g., cyclic voltammetry,
amperometry, protein film voltammetry, etc.) [16,97,124,125].

4.1. Biochemical Methods

This section is resuming the main biochemical methods that have been widely employed to
distinguish DET bioelectrocatalysis from other catalytic signals, originating possibly from a dissociated
cofactor, like in the case with GOx. At first, we should take into account that small conformational
changes in the enzyme may occur upon its immobilization at an electrode, thus, lowering also
the enzyme activity. From the biochemical point of view, one control experiment cannot confirm
the DET mechanism of the enzyme, thus multiple experiments are indeed required to prove the ET
pathway of the enzyme immobilized on the electrode and to support the conclusion on the DET.

For example, as the first experiment, we might consider determining the formation of the expected
product, which does not give any confirmation for the ET mechanism, but it only tells that the reaction
is actually taking place (it might occur at a dissociated cofactor or other reasons not related to
the enzyme activity). Recently, Duca et al. co-immobilized nitrogenase with a noble metal catalyst
in order to perform the stepwise reduction of nitrate to ammonia through its intermediate, namely
nitrite [126]. Initially, nitrate reduction to nitrite was assayed by using the well-established Griess
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method [127] to detect nitrite, also confirmed by computing the theoretical nitrite amount produce
during the bioelectrocatalytic process (the charge passed through the electrode during the catalytic
process was correlated with the concentration of nitrite by using Coulomb’s law). After proving
the intermediate, the authors used a fluorescent compound, namely (o-phthalaldehyde), to quantify
the ammonia produced during the further reaction step catalyzed by the noble metal catalyst.
This method is particularly useful when the whole biocatalytic process proceeds through several
intermediate steps [128,129].

Besides the product analysis, we should consider the importance of enzyme tertiary and quaternary
structure for its activity. Recently, it has been proved that estimating the activity loss occurring upon
denaturation processes (e.g., heating to elevated temperature from 80 ◦C to 100 ◦C for a short time
or by treating the enzyme with proteases, like trypsin, etc.), it is possible to differentiate between a
DET bioelectroctalytic mechanism and a cofactor that dissociates from the enzyme and undergo only
electrocatalysis (without any contribution from the enzymatic structure to selectivity and turnover) [130,131].
Additionally, if the enzyme exhibits a complex ET mechanism it is possible to add different inhibitors
during bioelectrocatalytic measurements, thus determining all the steps and ET mechanisms contributing
to the enzyme turnover [132–134].

Although previously reported methods are easy to perform, one of the most appealing method
to confirm possible DET still remains the generation of mutated or modified oxidoreductases that
exhibit altered catalytic properties, sometimes depending on the orientation and immobilization at
the electrode surface [135]. These mutations certainly include single-point mutations, the cleavage of
component subunits or even the deglycosylation of enzymes [136]. Consequently, these might alter
the apparent kinetics parameters like maximum reaction rate, VMAX, or the Michaelis constant, KM.
Mutations can also induce modification of the ET mechanism or internal electron-tunneling pathway.
For example, Léger et al., who altered the ligation of the distal [4Fe–4S] cluster in a hydrogenase,
by replacing a histidine residue with a glycine residue. The DET bioelectrocatalysis was significantly
facilitated as the result of this change in the protein backbone [137]. However, the generation of mutant
enzymes is neither straightforward nor trivial in the majority of the cases.

Finally, the potential applied to the electrode may indicate whether direct bioelectrocatalysis
of active enzyme is occurring. This assumption is based on the fact that the reduction potential of
the enzyme’s cofactor has been predetermined and that its reduction potential is not mildly altered
upon any small conformational changes that may occur by the enzyme immobilization.

4.2. Electrochemical Methods

Classical electrochemical methods like cyclic voltammetry, linear sweep voltammetry, differential
pulse voltammetry and chronoamperometry have been widely employed to investigate the catalytic
properties of many enzyme-modified electrodes giving important insight on their apparent kinetics
properties and also on the ET mechanism [138].

However, the main achievements were reported after introduction of a new investigation
methodology reported by Fraser Armstrong (Figure 9A) as a protein-film voltammetry (PFV) [139–141].
In this technique, redox enzymes are “wired” directly to the electrochemical analyzer, which is able to
activate and measure the redox behavior of the enzyme. A redox enzyme can be likened to an intriguing
electronic device of which we would like to know all electronic features. To investigate its properties,
we would plug the device to an electronic probe to measure all the parameters about its relays, switches,
gates, etc., that have their representatives within the complex machinery of multi-centered redox
enzymes as redox active sites [142]. The PFV provides a powerful way to investigate how ET processes
occurs between active sites and electrodes and how the catalytic ET through an enzyme is controlled.
The enzyme is adsorbed on a suitable electrode as a stable mono-/sub-monolayer film of molecules that
are oriented to ease ET process [143], Figure 9B. This approach allows to overcome the problems of
sluggish protein diffusion and kinetics limitations of the protein at the electrode. Therefore, PFV allows
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the detection and quantification of the complex and redox coupled chemical reactions that occur at
the active sites [144].

Figure 9. (A) Fraser A. Armstrong. (B) Cartoon showing an adsorbed monolayer of protein molecules
on an electrode. Electron transfer accompanying a biocatalytic process is shown schematically.
(C–E) Voltammograms expected for adsorbed redox couples displaying different types of ET coupling:
(C) Reversible ET. (D) Orange trace shows ET coupled to a spontaneous chemical reaction of the reduced
form; on this timescale, the reverse chemical process gates electron transfer. Blue trace shows uncoupled
ET for comparison. (E) Orange trace shows ET coupled to catalytic regeneration of an oxidized form.
Blue trace shows uncoupled ET. (The Armstrong photo is adopted from Wikipedia, public domain;
Parts (C–E) were adopted from ref. [140] with permission.)

Notably, the PFV exhibits several advantages in the investigation of the protein ET mechanism
compared to other electrochemical techniques—(i) redox active centers are fully controlled through
the electrode potential, thus allowing fine-tuning of the enzyme redox properties; (ii) well-defined
curves especially considering the ideal case of a reversible ET mechanism that would give a couple of
redox peaks with a Nerstian half-height width 90.6/n mV (where n is a number of electrons in the ET
process) (Figure 9C)—by integrating the peak area, it is possible to determine the number of active
sites within the protein layer; (iii) little amount of samples is needed to form a monolayer based on
the assumption that the electrode surface can accommodate about 10−12–10−11 moles cm−2 of redox
protein (other techniques require much bigger samples to get similar information); (iv) high sensitivity,
considering the little amount of enzyme deposited onto the electrode; (v) high rate for ET reactions
because they are not limited by diffusion. If the ET rate constant determined is at least 500 s−1 or higher,
a chemical step with a very short half-life (milliseconds) can be coupled to the main ET reaction [145].

A completely different cyclic voltammogram from the one reported in Figure 9C can be obtained
if an ET is followed by a spontaneous chemical process resulting in a product, which is reoxidized in a
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relatively slow reverse chemical process, showing an irreversible cyclic voltammogram, Figure 9D.
Normally, the effect of catalytic turnover on the voltammetry depends primarily on how much
mass transport of a substrate is limiting the reaction rate (current). This will be true in case of a
macro-electrode coated with a high coverage of a very active enzyme. As the coverage or activity
decreases, or if the electrode is a micro-electrode or one that is rotating at high speed, the current
will more likely be determined by ET or properties of the enzyme. The catalytic turnover causes
the peak-like signal to convert to a sigmoidal wave, where current is directly correlated to turnover
rate, Figure 9E. Some of the well-studied examples include cytochrome P450, other heme-containing
proteins, like hemoglobin, myoglobin, cytochrome c, and furthermore PS-I and PS-II photosystems,
the proteins from the electron transfer chain, several hydrogenases, some Mo-containing proteins
and various Fe–S, and other metal-containing proteins (mainly with Ni–Fe, Mn, or Cu as redox
centers) [125,139,143].

In the last two decades, the PFV has been largely exploited to investigate the ET of many redox
enzymes, that otherwise would remain unknown considering other techniques. Recently, the PFV
has been coupled with special spectrophotometric techniques in order to monitor the variation
in absorbance of a redox site while applying a specific potential at the electrode [146].

5. Different Approaches to Tackle DET Issues

Considering the advantages of the DET mechanism for the construction of many electrochemical
biosensors, multiple different approaches to tackle the DET issues have been proposed over
the past thirty years, like apo-enzyme reconstitution at an electrode surface, enzyme bioengineering,
deglycosylation, site-oriented immobilization, and electrode nano-structuration [147–154].

Since the distance separating enzyme redox active catalytic centers and electrodes is
the main problem for the DET, several approaches have been reported for decreasing this distance
and facilitating the ET. One of the methods is based on plugging-in electronically conducting
nanospecies, such as small Au nanoparticles or carbon nanotubes. This nano-size conducting
bridges electronically connecting enzyme active centers and electrodes represent a nanotechnological
approach to the electrical “wiring” of redox enzymes. It should be noted that the ultra-small size of
the nano-bridges is critically important to allow their insertion into the protein globule for the efficient
electrical contacting with the redox active centers located inside the protein.

Willner et al. proposed reconstitution of an apo-flavoenzyme, namely apo-GOx, on a small gold
nanocluster formed by 55 Au atoms (1.4 nm diameter) functionalized with the FAD cofactor [155]
(Figure 10A). The gold nanoparticles were immobilized onto a gold electrode using a bifunctional
thiol linker, benzene-1,4-dithiol, readily chemisorbed on the gold electrode producing a self-assembled
monolayer, then attached to the Au nanoparticles with the second thiol group. The FAD derivative
bound to the Au nanoparticles included an additional amino group linked to the cofactor unit through
a short spacer (Figure 10C), which allowed the FAD cofactor to be kept separate from the nanoparticle
to allow its reconstitution but still at a distance that provided the efficient electron transfer. In a control
experiment, when the reconstitution of the apo-GOx with the FAD-functionalized Au nanoparticles
was performed in a solution, scanning transmission electron microscopy (STEM) demonstrated a single
Au nanoparticle bound to a GOx molecule (Figure 10B). Importantly, the reconstitution method resulted
in the specific positioning of the Au nanoparticle near the active center of the reconstituted enzyme being
partially embedded into the protein body, thus allowing efficient electron transfer from the FAD active
center to the Au nanoparticle and then to the electrode support. Cyclic voltammetry measurements
have demonstrated an electrocatalytic current corresponding to the glucose oxidation with the electron
transfer through the Au nanoparticle operating as a conducting bridge (Figure 10D). This approach
allowed obtaining an ET rate constant of approximately 5000 s−1. Despite the fact that the turnover
number for the reconstituted enzyme was impressive and the ET was organized through the conducting
bridge, the anodic electrocatalytic current was observed only with a very large overpotential starting at
approximately +0.3 V (vs. SCE), while the FAD potential is ca. −0.45V (pH 7.0; SCE), thus requiring at
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least ca. 750 mV overpotential for the oxidation process (much bigger overpotential for the increased
anodic current). A similar approach using carbon nanotubes functionalized with the same amino-FAD
derivative for reconstituting apo-GOx has demonstrated an ET over a very long distance [156] (Figure 11).
Both systems, where Au nanoparticles or carbon nanotubes have been used as conducting bridges,
demonstrated quasi-direct ET transfer from the enzyme active centers to the electrode supports. The ET
in these systems was not mediated by chemical redox species but rather provided by electronically
conducting nano-wires. The major disadvantages of the reported systems [155,156] are the following:
(i) a large overpotential originating from distances separating the nano-bridges and FAD cofactor
and between the nano-bridges and the electrode surface and (ii) the use of the artificial (synthetic) FAD
derivative (note that its synthesis is extremely complicated [148]). Both disadvantages resulted in low
practical importance of the systems despite their scientific novelty. Particularly, the large overpotential
for the anodic process did not allow use of these biocatalytic electrodes in biofuel cells.

Figure 10. (A) Reconstitution of apo-GOx on FAD-functionalized Au nanoparticles operating as an
electronically conducting nano-bridges facilitating electron transfer from the reduced FAD active
center to the electrode support. (B) The scanning transmission electron microscopy (STEM) image
showing binding of a single Au nanoparticle per the GOx enzyme molecule. (C) The synthetic
FAD amino-derivative structure (note an additional amino group connected to the adenine with
a spacer composed of two methylene groups). (D) Cyclic voltammograms corresponding to
the bioelectrocatalyzed oxidation of glucose by the reconstituted GOx in the presence of different
glucose concentrations: (a) 0 mM, (b) 1 mM, (c) 10 mM, (d) 20 mM, and (e) 50 mM. Results were
recorded in 0.1 M phosphate buffer (pH 7.0), under Ar, potential scan rate 5 mV s−1. Inset: Calibration
plot derived from the cyclic voltammograms at E = 0.6 V vs. SCE. (Part D was adopted from [155] with
permission.)
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Figure 11. (A) Reconstitution of apo-GOx on FAD-functionalized carbon nanotubes operating as an
electronically conducting nano-bridges facilitating long-range electron transfer from the reduced
FAD active center to the electrode support. (B) Atomic force microscope (AFM) image of the GOx
reconstituted on the FAD-functionalized carbon nanotubes monolayer associated with the Au electrode
surface. (C) Cyclic voltammograms corresponding to the electrocatalyzed oxidation of different
concentrations of glucose by the GOx reconstituted on the 25 nm-long FAD-functionalized carbon
nanotube assembly: (a) 0, (b) 20, (c) 60 and (d) 160 mM glucose. Data recorded in phosphate buffer,
0.1 M, pH 7.4, scan rate 5 mV s−1. Inset: Calibration curve corresponding to the amperometric responses
of the reconstituted GOx-electrode at E = 0.45 V in the presence of different concentrations of glucose.
(Parts B and C were adopted from ref. [156] with permission.)

Banta and Atanassov et al. proposed a different approach to optimize the electrical communication
between GOx and an electrode surface [157]. They introduced cysteine residues offering thiol groups
into the GOx protein backbone by genetic engineering substituting natural amino acids, Figure 12A.
Depending on the position of the newly introduced cysteine, the distance from its thiol group to
the FAD cofactor was different ranging from 13.8 Å to 28.5 Å. The orientation of the GOx molecules
at the electrode surface was controlled by the position of the artificially introduced cysteine used
for the immobilization. Among all prepared GOx mutants, only H447C-mutant showed the DET activity
as reported by the cyclic voltammetry that is displaying a small catalysis in the presence of glucose,
in turnover conditions, Figure 12C. This might be ascribed to the low surface coverage of the enzyme.
For this reason, the authors linked the mutated enzyme to a gold nanoparticle in order to facilitate
the DET and increase the enzyme surface coverage. The artificially introduced thiol group was reacted
with a maleimide-functionalized Au nanoparticles resulting in their covalent binding to the GOx
protein backbone at the specific site, Figure 12B. Then, the Au-GOx mutant conjugate was bound to
the electrode surface. The electrode modified with the H447C-Au nanoparticle showed a great catalytic
current in the presence of the glucose substrate (Figure 12C). Unfortunately, the published cyclic
voltammogram does not show clear redox peaks for FAD (in the absence of glucose, in non-turnover
conditions), but the catalytic wave is starting at the potential close to the thermodynamic potential of
FAD embedded in GOx, thus proving the DET features of the modified electrode.
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Figure 12. (A) Ribbon diagram of a GOx monomer (from A. niger) with the FAD molecule shown
in blue. The amino acid residues targeted for mutagenesis are highlighted as space-filling models:
cysteine (yellow), histidine (red), serine (purple), alanine (orange), tyrosine (pink), and glutamate
(light blue). The yellow sphere represents an idealized Au nanoparticle (Au-NP) on the same scale
as GOx. (B) Schematic drawing of the covalent-binding chemistry of cysteine to a maleimide-modified
Au nanoparticle. The molecules are displayed as ball-and-stick: carbon (gray), oxygen (red), nitrogen
(blue), and sulfur (yellow). (C) Cyclic voltammograms of H447C-Au-NP conjugates on a gold electrode
in the presence (black line) and absence (gray line) of 1 M glucose (N2-saturated buffer, pH 7, 10 mV s−1).
The cyclic voltammogram for unconjugated H44C is shown as a dotted line. The H447C-Au-NP
conjugates in the presence of glucose exhibit enzymatic glucose oxidation starting at ca. −400 mV.
The definition of all used mutants and their abbreviate names can be found in ref. [157]. (The figure
was adopted from ref. [157] with permission.)

Recently, Gorton et al. proposed deglycosylation as a very innovative approach to tackle DET issues,
especially based on their promising results previously obtained for horseradish and tobacco peroxidase,
where the distance between the prosthetic group (heme b) and the electrode surface was effectively
reduced, thus enhancing the DET rate. They proposed the same approach to enhance the ET rate of
cellobiose dehydrogenase (CDH) [158]. In particular, they studied the effect of deglycosylation on
two of most representative variants of CDH, namely CDH from Phanerochaete chrysosporium (PcCDH)
and Ceriporiopsis subvermispora (CsCDH). Note that these enzymes are composed of two covalently
linked domains, the catalytic dehydrogenase domain (CDHDH) and electron transfer cytochrome
domain (CDHCyt). The electron transfer proceeds as an internal interdomain process. Indeed, the study
demonstrated that deglycosylation improves the catalytic current density, Imax, and the sensitivity
for lactose, as a substrate, which could be ascribed to a higher number of the electroactive CDH
molecules at the electrode surface due to the downsizing of the enzyme’s dimensions and a facilitated
DET due to the deglycosylation, which reduces the ET distance. Although the DET rate between
CDHCYT and the electrodes was increased, no DET between CDHDH and the electrodes has been
observed. The increased current density observed with the deglycosylated CDH-modified electrodes
originates certainly from the decreased size of the deglycosylated CDHs. However, deglycosylation
was also affecting the intrinsic kinetic parameters of the enzyme. The main drawbacks of this approach
are the high cost and the impossibility to scale-up the process to industrial level for the production
of very sensitive DET-based biosensors. However, the same approach has been used for pyranose
dehydrogenase and other highly glycosylated enzymes [159–161].

Nowadays, one of the most used approaches to optimize DET rate or tackle DET issues is
the site-oriented immobilization of redox enzymes through site-directed mutagenesis. Different specific
protocols have been proposed by different research groups working in bioelectrochemistry. In order to
obtain a productive orientation of the enzyme onto the electrode surface, it is needed a deep knowledge
on the enzyme structure [162–165].
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For example, Bartlett et al. reported on the covalent coupling between a surface-exposed cysteine
residue and maleimide groups to immobilize different variants of Myriococcum thermophilum cellobiose
dehydrogenase (MtCDH) at multiwall carbon nanotube electrodes [166,167] (Figure 13E). By placing
individual cysteine residues around the surface of the CDHDH domain of the enzyme, they were able
to immobilize the different variants with different orientations (Figure 13A–D). Notably, it was shown
that DET occurs exclusively through the heme b cofactor and that the redox potential of the cofactor is
unaffected by the orientation of the enzyme. This immobilization approach also resulted in an increased
amount by 4–5 times of the electrically contacted (active) enzyme immobilized onto the electrode
compared to not site-oriented immobilization. The current generated by the enzyme-modified electrodes
in the presence of the cellobiose was dependent on the site-specific orientation of the enzyme-mutants
(Figure 13F). In a similar approach [168], the same enzyme was immobilized onto a gold electrode
by placing cysteine residues only around the CDHDH domain in order to study the influence of
CDHCYT domain mobility on the ET rate (Figure 14A,B). For DET, the CDHCYT domain needs to
move from the closed-state conformation, where it obtains an electron from the catalytic CDHDH

to the open state where it can donate an electron to the electrode. Except for the optimal enzyme
orientation (both domains on the side with the CDHCYT in proximity of the electrode), CDH is not able
to swing back the closed conformation, thus not allowing an efficient DET (Figure 14C,D). However,
this approach does not necessarily require a site-directed mutagenesis as proposed in many papers.
In some unique systems, a cysteine residue might be present at the optimum location near a redox
active site already in natural structures, as it was the case for oriented immobilization of bacterial
photosynthetic reaction centers at a modified electrode surface [169].

Figure 13. Cartoon representations of the structures of the four different MtCDH variants attached to
the electrode surface in different orientations through the cysteine-maleimide bond. The cytochrome
domain is shown in purple and the dehydrogenase domain in pale brown. (A) E501C, substrate
channel close to electrode (front on); (B) T680C, top of enzyme facing electrode (top on); (C) E653C,
right side of substrate channel facing electrode (right side on); and (D) D792C, C-terminus close to
electrode (bottom on). The images were obtained with PyMol software based on the crystal structure of
MtCDH, PDB code 4QI6. (E) Chemical structure of the whole electrode modification used in this work
to immobilize MtCDH variants with a single surface exposed cysteine, with the different components
in different colors. (F) Background-corrected catalytic currents at 0.0 V vs. SCE for the four MtCDH
variants from parts (A–D) plotted as a function of the glucose concentration. The definition of all used
mutants and their abbreviate names can be found in ref. [167]. (The figure was adopted from ref. [167]
with permission.)
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Figure 14. Direct electron transfer anisotropy of a site-specifically immobilized cellobiose
dehydrogenase. (A) The enzyme immobilization with a short internal electron transfer path from a
catalytic cellobiose dehydrogenase (CDH) domain to a cytochrome (Cyt) mediator domain connected
with a flexible spacer. (B) The enzyme immobilization with a long electron transfer path. (C,D) Cyclic
voltammograms obtained in the absence (a) and presence (b) of lactose (10 mM) for the enzyme
immobilization with the short and long internal electron transfer distances, respectively. (The figure
adopted from ref. [168] with permission.)

Different methods based on non-covalent enzyme binding have been applied for the oriented
immobilization of enzymes in order to facilitate the DET. For example, Armstrong and his co-workers
proposed the immobilization of laccase through a hydrophobic pocket nearby one of the metal centers
included in the enzyme, namely T1 copper (T1Cu), in order to enhance the DET rate [170]. Notably,
laccases belong to the family of multicopper oxidases (MCOs), where the ET proceeds through
the following three steps: (i) the reduction of the T1Cu site through the electrons transferred from a
substrate (or electrode considering the immobilized enzyme), (ii) the internal electron transfer (IET) or
tunneling between the T1Cu and trinuclear copper cluster (TNC) proceeding through the Cys-(His)2

bridge over a distance of 13 Å, and (iii) O2 reduction taking place at TNC [171,172]. The authors
proposed the electrodeposition of diazonium salts of a wide group of aryl amines, thus producing a
highly aromatic electrode surface that would be able to access the hydrophobic pocket of the enzyme
(Figure 15A). The cyclic voltammogram for an unmodified carbon electrode with randomly adsorbed
laccase showed a very small catalytic wave (Figure 15B, curve a) that was doubled upon electrode
incubation with additional amount of the enzyme (Figure 15B, curve b), thus showing a partial coverage
of the electrode. On the other hand, using the site-oriented immobilization the DET rate was greatly
improved by at least six-fold (Figure 15B, curve c.) Upon further incubation with an additional amount
of enzyme, an overlapping cyclic voltammogram was recorded (Figure 15B, curve d), meaning that a
full enzyme coverage was achieved. This approach to the enzyme immobilization has been further
used mainly for the biofuel cell development because of the minimization of overpotential needed to
activate the reduction of O2 at the cathode surface [173–177].
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Figure 15. (A) Laccase (multicopper oxidase) site-specific immobilization due to the enzyme binding
to the surface-located aromatic species. (B) The electrocatalytic activity of a film of Pycnoporus
cinnabarinus laccase lcc3-1 (PcL) on an electrode without aromatic species and random orientation of
the adsorbed enzyme (a–b) and on an electrode functionalized with the aromatic species providing
orientation of the enzyme favorable for the DET (c–d). Cyclic voltammograms (a) and (c) correspond
to the catalytic waves immediately after spotting on laccase solution. Cyclic voltammograms (b)
and (d) show the catalytic waves after additional treatment of the modified electrode with a new
portion of the enzyme. Potential scan rate was 5 mV s−1. (C) Fructose dehydrogenase site-specific
immobilization due to the enzyme binding to the surface-located aromatic species. (D) Cyclic
voltammograms measured with fructose dehydrogenase-electrode modified according the scheme
shown in (C); in the absence (a) and presence of 10 mM D-fructose (b). The background electrolyte
was 50 mM acetic buffer, pH 4.5; potential scan rate was 10 mV s−1. (Part A was adopted from [3]
with permission; part B was adopted from [170] with permission; part D was adopted from [178] with
permission.)

The same approach has been reported by Bollella et al. for the immobilization of a carbohydrate
oxidizing enzyme, namely fructose dehydrogenase (FDH) [178]. An efficient DET reaction
pathway between FDH and a carbon nanotube-modified electrode further grafted with an aromatic
compound has been reported (Figure 15C). Anthracene molecules have been deposited onto single
walled carbon nanotubes (SWCNTs) by electrochemical reduction of 2-aminoanthracene diazonium.
Cyclic voltammograms measured in the absence of D-fructose with the FDH-modified electrode revealed
two couples of redox waves attributed to heme c1 and heme c3 of the cytochrome domain (Figure 15D,
curve a). The addition of 10 mM D-fructose, which is a substrate of FDH, resulted in two catalytic
waves correlated with heme c1 and heme c3 with a maximum current density of 485 ± 21 μA cm−2

(Figure 15D, curve b). Conversely, only one couple of redox peaks and one catalytic wave in the absence
and presence of D-fructose, respectively, were observed for the plain carbon nanotube-modified
electrode. The difference has been explained by different orientation of the FDH enzyme molecules
at the electrode surface. Indeed, the FDH molecules are randomly adsorbed at the electrode surface
in the absence of the anthracene grafted at SWCNTS. On the other hand, the hydrophobic pocket
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close to the heme groups of the cytochrome domain interact with the grafted anthracene due to the π-π
interactions with the aromatic side chains of the amino acids present in the hydrophobic pocket of
FDH [179,180]. This interaction results in the oriented deposition of the FDH molecules facilitating
redox transformations for both heme groups according to the DET mechanism.

Although the discussed approaches allowed to enhance the DET rate for many enzymes,
they exhibit as main drawbacks the high cost and complexity of the modified electrode preparation,
which do not allow them to scale-up to an industrial level. Therefore, the efficient ET between
enzymes and electrodes is still recognized by the scientific community as the major challenge.
Nanotechnological approaches facilitating the ET, also increasing the enzyme load, remain as active
research directions [27,110,181,182]. Among all kinds of electrode materials, metal nanoparticles
and carbon-based nanomaterials play an important role in the electrode modification, because of their
high surface area-to-volume ratios and high surface energy, which facilitate immobilization of enzymes,
allowing them to act as electron conducting pathways between the prosthetic groups of the enzymes
and electrode surfaces. Due to the high research activity in this area, the advances in this research
direction have been extensively reviewed [183–185].

6. Conclusions and Future Perspectives

The investigation of the electrochemical properties of biological materials has gained a solid
foundation over the past 80 years. From the very first observation of the protein electrochemical activity
in polarographic measurements reported by Brdička in 1930s [186–188], great achievements [189] have
been progressed in electrochemical studies of redox proteins, enzymes, and whole biological cells
(e.g., bacterial cells, yeast cells, etc.). The success in bioelectrochemistry has been achieved by using
carefully designed chemically modified electrode surfaces and particular experimental conditions [51].
Recently, many bioelectrochemists successfully attempted to tackle ET issues for various redox enzymes
with detailed understanding of the ET mechanism. Despite the general progress on the ET mechanism
elucidation for many redox enzymes, the ET mechanism of GOx still remains an open debate based on
experimental evidences reported in the literature from both sides (pro and quo). On the one hand, many
researchers are claiming that GOx immobilized on an electrode surface cannot undergo DET reaction
mechanism, without considering the reliability and the “correct” scientific meaning or interpretation
of the results. On the other hand, other scientists are claiming the absence of FAD dissociation from
the enzyme structure, thus suggesting glucose can be determined directly either by the redox process
of the co-enzyme FAD or by oxygen consumption (competitive mechanism) [190–193].

In the future, the development of all these technologies will be certainly scaled-up to the industrial
level allowing to take great advantages of fundamental studies in bioelectrochemistry [194,195].
The future developments in bioelectrochemistry are related to understanding the ET mechanism of
more complex biological species (e.g., whole cells, etc.), possibly extending the numbers of enzymes that
could be connected in DET to an electrode surface. However, bioelectrochemistry is also connected to
the developments in different scientific and technological areas, like bioengineering and materials science.
The former is mainly important for the biological mutation of redox enzymes, while the latter is important
for the synthesis or electrosynthesis of new nano-catalysts used to support the DET of many redox
enzymes [196]. Although the analytical aspects of the ET mechanisms have not been herein reviewed,
as the development of biosensors, we summarized all the fundamentals needed for newcomers in order
to enrich their knowledge about bioelectrochemistry [197,198]. Besides biosensing applications [199,200],
bioelectrochemisty can also find applications for the development of special power-generating systems
(e.g., enzyme-based [201–206] and microbial [207–209] biofuel cells) or employed as a biocomponent
in unconventional information processing systems [210,211].
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Abstract: In nature, many enzymes are attached or inserted into the cell membrane, having hydrophobic
subunits or lipid chains for this purpose. Their reconstitution on electrodes maintaining their
natural structural characteristics allows for optimizing their electrocatalytic properties and stability.
Different biomimetic strategies have been developed for modifying electrodes surfaces to accommodate
membrane-bound enzymes, including the formation of self-assembled monolayers of hydrophobic
compounds, lipid bilayers, or liposomes deposition. An overview of the different strategies used
for the formation of biomimetic membranes, the reconstitution of membrane enzymes on electrodes,
and their applications as biosensors is presented.

Keywords: biosensor; biomimetic membranes; membrane-bound enzymes; electrodes

1. Introduction

The attachment of enzymes to electrodes has been in the last decades a powerful strategy for the
development of efficient biosensors. It couples the high specificity and turnover of enzymatic catalysis,
thus assuring selective target detection and signal amplification, with the versatility, fast-response,
sensitivity, and simplicity of electrochemical transduction [1,2].

Although a high proportion of redox enzymes in nature are membrane-bound ones,
either associated to the external part or trans-membrane, most of the developed enzymatic biosensors
are based on soluble ones. The main reasons are the higher structural complexity and lower stability
of the purified membrane-bound enzymes. In fact, in most electrochemical studies that involve
membrane-bound enzymes, their hydrophobic subunits are dissociated, which generally results in
diminished activity and stability [3]. In order to take full advantage of the use of membrane-bound
enzymes in electrochemical devices, it is necessary to design immobilization procedures that favor
maintaining their natural configuration by stabilizing their hydrophobic regions. The formation of
biomimetic membranes over electrode surfaces that are based on phospholipid bilayers is a versatile
and powerful option for the reconstitution of membrane-bound enzymes [4,5]. Other methods that
have been successfully used for developing electrochemical biosensors based on this type of enzymes
have been the deposition of liposomes or formation of monolayers of hydrophobic compounds on the
electrode surface [6,7].

In this review, we provide an overview of the strategies developed for the reconstitution of
membrane-enzymes on biomimetic membranes over electrodes and, in particular, focusing on works
that aimed at their application as electroenzymatic biosensors.

Sensors 2020, 20, 3393; doi:10.3390/s20123393 www.mdpi.com/journal/sensors163
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2. Biomimetic Membranes on Electrodes

Lipid biomimetic membranes that formed on solid materials are the key to model the properties
of cell membrane processes, opening new research opportunities for surface electrochemistry [8].
These architectures provide simple systems, where it is possible to study in a systematically
way fundamental membrane-related processes while preserving the essential characteristics of the
membrane, such as fluidity or electrical sealing properties [9]. Indeed, gold substrates show a
particular interest, because it is a common material that is employed for biomedical devices, such as
electrochemical biosensors.

Lipid bilayers over gold surfaces are normally built by combination of Langmuir–Blodgett (LB)
and Langmuir–Schaefer (LS) transfer methods or by vesicle fusion (VF) [10]. The LB technique
(Figure 1a) allows for forming a lipid monolayer on gold substrates [11]. In a typical LB deposition,
the gold electrode is immersed in a water subphase under an air/water interphase, in which a lipid
solution in chloroform is spread. After the evaporation of the chloroform a lipid monolayer is formed
in the air/water interphase. Subsequently, the monolayer is slowly compressed to a controlled surface
pressure. Finally, the deposition is accomplished by raising the gold substrate from the subphase
through the compressed monolayer. The subphase pressure of the monolayer should be in the range
from 10 to 40 mN m−1, and the monolayer temperature needs to be controlled, ensuring that the
organic film is in a condensed and stable state, to obtain a good transfer ratio (τ) between 0.9 and 1.1.
The microstructure and the packing density of this monolayer (the inner layer) affects the structure
of the successive monolayer (the outer layer) deposited on the already modified gold electrode [12].
Drying completely the first transferred monolayer has been shown to improve the deposition process
of the second layer [10]. The outlet layer of the bilayer is deposited by the LS technique (Figure 1a) [11].
The substrate horizontally touches a compressed lipid monolayer in a subphase and it is immediately
withdrawn slowly. As a result, a Y-type bilayer, in which the membrane is in tail-to-tail arrangement,
on the gold substrate is obtained. Because the deposition of each layer is an independent process,
the LB–LS deposition method allows for constructing asymmetric bilayers. Moreover, this strategy
produces more stable and better ordered bilayers.

Figure 1. Schematic representation of the preparation of lipid bilayers on gold substrates by (a) a
combination of Langmuir–Blodgett and Langmuir–Schaefer (LB-LS) methods and (b) vesicle fusion
(VF). Adapted with permission from [11,13]. Copyright (2000 and 2007) American Chemical Society.
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The VF method is an easier strategy for preparing bilayers that include integral membrane
proteins from proteoliposomes [13,14]. A vesicle is a biological structure that consists of liquid
enclosed by a lipid bilayer. Briefly, the VF process on gold substrates involves several steps (Figure 1b).
Firstly, small unilamellar vesicles (20–50 nm in diameter), which are in an aqueous vesicle dispersion,
are adhered to the substrate in highly ordered stripe-like domains. Subsequently, the fusion takes
place giving a hemimicelle film. As a result, a lipid bilayer is formed by rupturing of the vesicles,
unrolling, and spreading onto gold substrate. It is assumed that all of these steps depend on the vesicle
size [12,13,15,16]. The VF process requires that the initial vesicle radius (R) is higher than the critical
adsorption radius (Ra) and lower that the minimum rupture radius (Rr). If the radius of the vesicle is
lower than Ra, the adsorption process does not take place, whereas, if the radius is higher than the Rr,
then the vesicle can rupture and directly form a single bilayer disk [13]. However, for a successful
rupturing of the adhered vesicles in the second step the new vesicles radius (R´) need to be higher
than Rr. Moreover, temperature, presence of cations, surface charge, surface roughness, ionic strength,
and solution pH should be also taken into account to obtain a good bilayer [17]. Alternatively, if gold
electrodes are previously modified with relatively low hydrophobic self-assembled monolayers (SAMs)
a lipid bilayer can be built by the rapid solvent exchange technique reported by Cornell et al. [18].
In this method, the SAM-coated gold electrode is incubated in a lipid solution in ethanol, followed by
a fast transfer to an aqueous buffer solution. As a result, more reproducible bilayers with less defects
are obtained.

The use of gold electrodes as substrate allows for obtaining molecular level of information from
the bilayer formed on top. In the recent years, a combination of traditional electrochemical techniques
and surface sensitive methods, such as spectroscopy, neutron scattering, and microscopic methods,
have been employed to understand the behavior and structure of these biomimetic systems. On gold
surfaces, it is possible to build different types of biomimetic bilayers (Figure 2), such as metal supported
bilayer lipid membranes (sBLMs), tethered bilayer lipid membranes (tBLMs), or floating bilayer lipid
membranes (fBLMs) [19,20].

Figure 2. Cartoon of some type of biomimetic membranes at gold surface: (a) supported bilayer
lipid membranes (sBLM), (b) tethered bilayer lipid membranes (tBLM), and (c) floating bilayer lipid
membranes (fBLM). Adapted from [19] with permission from Elsevier.

Metal supported lipid membranes (sBLMs) (Figure 2a) were the first generation of lipid bilayer
system used to mimic and understand the cell membrane processes. In the sBLMs, the inner layer
is directly adsorbed onto the gold substrate [12]. Lipkowski’s group was pioneer in successfully
building sBLMs on gold electrodes either by VF [21–23] or a combination of LB-LS techniques [11,24].
The quality of the bilayer can be improved by the addition of 30% of cholesterol. The lipid membrane
becomes more fluid and stress within the membrane is released, which is closer to a real biological cell
membrane [25]. Atomic force microscopy (AFM) [16], scanning tunneling microscope (STM) [16,26,27],
and electrochemical scanning tunneling microscope EC-STM [28] techniques have been employed
to obtain molecular imaging information and molecular level resolution about the electrode surface.
sBLMs on gold electrodes behave as an ideal capacitor over a large potential range. The effect of
the electric field has effectively been studied with fundamental electrochemical techniques, such as
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differential capacitance and charge density. These results allow for the characterization of sBLMs
providing information regarding the quality, compactness, and defect level of supported bilayer
lipid membranes [19]. Electrochemical impedance spectroscopy (EIS) analysis provides interesting
quantitative information about the interphase. A model that considers the sBLMs systems, like a series
of constant phase elements (CPE) and an ohmic resistance, was employed to simulate the electrical
properties of the interphase for a better understanding of interfacial processes, such as the incorporation
of a carrier into real cell membranes and drug release [29,30]. In sBLMs, each side of the bilayer is
exposed to different environments. The outer layer is exposed to the electrolyte while the inner leaflet
is physically adsorbed on the gold subphase. From this point of view, electrochemical measurements
provide valuable information regarding average properties, such as the effect of the electric field in the
orientation and conformation in each layer of the membrane. However, it is not possible to obtain
insight into the structure of the membrane at molecular level. The polarization modulation infrared
reflection absorption spectroscopy (PM-IRRAS) technique, developed in Lipkowski´s group [31],
has been successfully employed to evaluate the structure and organization of sBLMs. It demonstrated
that the inner leaflet is more ordered than the outer leaflet [24], which agree with the physical and
kinetic properties of the membrane constituents [32,33]. sBLMs have been used as a model system to
study biological processes, like peptide incorporation [34], ligand-receptor interactions [35], or drug
delivery process [36]. However, studies involving the inclusion of large transmembrane proteins are
not possible with sBLM, because a water reservoir (1–2 nm thick water-rich layer) is needed between
the bilayer and the gold electrode to avoid denaturation or the alteration of the functionality of the
proteins [32,37].

To address this issue, tethered bilayer lipid membranes (tBLMs) (Figure 2b), where the bilayer is
covalently bound to the gold electrode via hydrophilic tethering molecules [38], have been employed.
These platforms show high mechanical and chemical stability. Traditionally, a tBLM is built in two
separated steps [39]. First, the inner layer is self-assembled through a covalent bond with the gold
electrode. This layer usually consists on flexible disulphide or thiolipid derivatives with a hydrophilic
part [9] attached to the electrode by a covalent Au-S bond. The hydrophilic part provides an ion and
water reservoir underneath the bilayer. In the second step, the outer layer is anchored by VF [9,40] or
rapid solvent exchange [41]. Alternatively, the composition of the lipid tethered bilayer can be modified
by vesicle exchange [42]. PM-IRRAS [43], neutron reflectivity experiments [44], and surface enhanced
infrared absorption spectroscopy (SEIRAS) [45] have been used to evaluate the densely packed state of
the SAM component, as well as the relation with the amount of water present between the bilayer and
the electrode. These studies predicted that the insertion of protein and peptides is more favorable into
sparsely than densely packed tBLMs [45]. In terms of electrical properties, tBLMs are stable model
membrane systems [18,31,46]. EIS provides unique information regarding the electrical parameters of
these biomimetic membranes. A model that was developed by Valincius et al. considering membrane
defects has been employed to evaluate changes in capacitance and membrane resistance induced by
the incorporation of protein or peptide molecules in the bilayer [47,48]. AFM imaging has allowed for
determining the surface morphology of the tBLMs [9] as well as to provide visual images concerning
the insertion of the protein or peptide [48]. Despite all of the advantages when compared to sBLMs,
tBLMs still do not display long term stability and present a restrictive mobility. These are two important
disadvantages to employ these platforms for biosensors development.

Floating bilayer lipid membranes (fBLMs) (Figure 2c), which interact with the gold substrate by
physical interactions, are able to mimic the quasi natural environment of real membranes. They show
better lateral mobility of the bilayer [48] and reduce the risk of protein denaturalization, thus preserving
it activity. fBLMs are composed by a bilayer that floats ∼2.4 nm over a supporting layer on the
surface [21,49] or a monolayer of S-layer protein [50]. The inner leaflet should be a water rich lubricant
layer that usually is a water rich polymer [16,51–53] or a hydrogel film [54]. The outer bilayer is
deposited by VF [45] or a combination of LB-LS [37,55]. AFM images [37] confirmed that the lipid
molecules in fBLM are tightly packed. Moreover, PM-IRRAS studies demonstrated that the lipid bilayer
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in fBLMS is separated from the gold surface by a water region, which allows for packing the lipid in a
zigzag configuration [55]. Recently, SEIRAS [56] has been employed to probe that water molecules are
a more ordered structure in the sub-membrane region of a fBLM than in a bulk solution. This strategy
is a potential tool for obtaining the molecular level of information related with the hydration of fBLM
and with the changes induced when a protein is incorporated.

3. Reconstitution of Membrane-Bound Enzyme on Electrodes

Reconstituted membrane enzymes play an important role in several fields, such as medicine,
analytical chemistry, alternatives energies, and materials development [57]. One of the main problems
for the application of these enzymes is their denaturation and loss of catalytic activity when they are
not in the native-like environments [3]. Coupling the catalytic function of membrane enzymes to
an electrode requires the optimization of their immobilization process, so that their in vivo structure
is preserved. The best strategies for this purpose involve creating a biomimetic environment of the
membrane enzyme that is attached to the electrode surface. Electronic communication between the
enzymatic active site and the electrode can then be established by direct electron transfer (DET) or
through the incorporation of a redox compound for achieving mediated electron transfer (MET).

Membrane enzymes have high structural complexity, thus both electrostatic and hydrophobic
forces contribute greatly during the processes of adsorption onto electrodes and the subsequent
electronic transfer. When the enzyme has certain surface regions in which charged amino acid zones
predominate, then the adequate modification of the electrode surface can modulate the orientation of
the immobilized enzyme molecules [58–60]. As this kind of enzymes have hydrophilic and hydrophobic
domains, surfactants are necessary for the solubility of the membrane enzymes after their purification.
It has to be taken into account that the surfactant might adsorb to the electrode, therefore affecting DET
or even suppressing it completely [61]. Kawai et al. studied the effects of Triton® X-100 (a non-ionic
surfactant) on the DET process of membrane-bound formate dehydrogenase (FDh) from Gluconobacter
japonicus adsorbed onto gold electrodes modified with different thiol SAMs [61]. Changes in the
frequency observed in Quartz Crystal Microbalance (QCM) measurements, performed in order to
monitor the adsorption of Triton® X-100 over the SAMs, showed the formation of a surfactant
monolayer (−40 Hz) in the electrodes modified with mercaptoethane (MEtn) and a bilayer (−100 Hz) in
the case of 2-mercaptoethanol (MetOH) (Figure 3a). The surfactant monolayer interacted strongly over
the hydrophobic MEtn SAM, thus preventing DET of the adsorbed FDh, which would have its redox
centers to far away from the electrode surface. Under the same conditions, but with a hydrophilic
MetOH SAM on the electrode surface, the surfactant formed a bilayer over the SAM interacting very
weakly with it and allowed the insertion of FDH into the surfactant bilayer for DET with the electrode
(Figure 3b).
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Figure 3. (a) Frequency changes measured by Quartz Crystal Microbalance (QCM) on the addition
of 1% Triton® X-100 (at the solid arrow) and fructose dehydrogenase (FDh) (at the dashed arrow)
at mercaptoethane (MEtn)-modified (green line), 2-mercaptoethanol (MEtOH)-modified (blue line),
and bare Au electrodes (red line). (b) Proposed scheme of the adsorption of fructose dehydrogenase
(FDh) and Triton® X-100 to hydrophobic (left) and hydrophilic electrodes (right). Reprinted from [61]
with permission from Elsevier.

On the other hand, Lojou and co-workers found that remains of the detergent
n-Dodecyl β-D-maltoside (DDM) strongly attached around the hydrophobic zones surrounding the
distal 4Fe4S cluster (the redox site for electron exchange) of the membrane-bound NiFe hydrogenase
(Hase) from Aquifex aeolicus when adsorbed on modified gold electrodes. This effect modifies the
hydrophobicity of this areas, which makes them more hydrophilic. Therefore, in the case of the
enzyme adsorption on an electrode modified with hydrophobic SAMs, the enzyme molecules always
oriented with the distal cluster region on the opposite side to the SAM, too far for establishing DET
with the electrode. In the case of hydrophilic SAMs on the electrode, there was no preferential enzyme
orientation during adsorption, so the MET and DET processes had the same incidence with a catalytic
current ratio of IDET/IDET+MET around 0.5 for H2 oxidation [59].

Cytochrome p450 (CyP) and human flaving containing monooxygenase 3 (hFMO3) are
membrane-bound redox enzymes that have also been studied for optimizing their DET with electrodes
modified with hydrophobic SAMs. In the case of the CyPs, its active center is an iron protoheme.
The natural compounds that supply electrons to CyPs for their catalytic activity, NADPH, is very
expensive and time consuming. Immobilizing CyPs on electrodes can replace these products [62].
Microsomes (lipid membranes) containing CyP and CyP reductase (CPR) and deposited on electrodes
modified with hydrophobic SAMs of aromatic compounds benzenethiolate (BT) and naphtalene
thiolate (NT) gave good current intensities by DET with reduction peaks around −0.4 V vs Ag/AgCl.
The electroenzymatic system was tested for testosterone metabolization, measuring by high performance
liquid chromatography (HPLC) a production of 270 pmol of 6 β-hydroxytestosterones [63]. hFMO3
is a liver protein that belongs to the second most important class of phase-1 drug-metabolizing
enzymes [64–66]. Castrignano et al. reported the immobilization of hFMO3 on glassy carbon/graphite
oxide (GO) modified with di-dodecyl di-methylammonium bromide (DDAB), which mimicked the
enzyme´s native environment. By HPLC, they measured the products obtained from the electroenzymatic
N-oxidation of benzydamine (a nonsteroidal anti-inflamatory) and tamoxifen (an antiestrogenic used in
therapies against breast cancer and chemoprotection) [66].

Quinone oxidoreductases are a type of membrane-bound enzymes that catalyze redox processes
of the quinone pool in cell membranes. They can be reconstituted on sBLMs formed over electrodes,
in which lipophilic quinones that are embedded in the sBLM act as redox mediators with the
electrode [67]. Jeuken and co-workers studied this strategy for an ubiquinol oxidase (cytochrome bo3
from Escherichia coli), which couples the oxidation of ubiquinol to ubiquinone with the reduction of O2 to
H2O [68]. Furthermore, they used the layer by layer (LBL) technique with bacterial membrane extracts
on gold electrodes to create multilayers of ubiquinol oxidase. In this strategy, poly-l-lysine was used as
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an electrostatic polymer for connecting the different lipid bilayers. The same strategy was studied
with an oxygen tolerant membrane bound Hase (MBH, Figure 4a). This type of NiFe-Hases have has
three subunits, one of them is a hydrophobic one that is inserted in the cell membrane and ensures the
electron transfer between the other Hase subunits and the pool of quinones of the respiratory chain [69].
Measurements by fluorescence recovery after bleaching were performed to determine the lateral
diffusion for the base bilayer and for the interconnections between bilayers, being 0.6 ± 0.1 μm2 s−1

and 0.7 ± 0.2 μm2 s−1, respectively [68]. Thus, these values are indistinguishable from each other,
indicating that the membrane stacks are interconnected via lipid phases. These interconnections
can be maintained throughout the layers, creating diffusion routes throughout the multilayer, not
only of lipids, but also of lipophilic quinones within the bilayer, such as ubiquinone-10 (UQ10) and
menoquinone-7 (MQ7). An important property of quinones is their hydrophobicity, which restricts
them within the bilayer, but also allows them to diffuse freely within it, allowing for MET-based
electoenzymatic catalysis. The cyclic voltammograms (CVs) performed showed a linear increase in
the MQ7 current and in its peak area with the number of lipid bilayers deposited on the electrode,
indicating an increase in the number of quinones that interact with the electrode. The same behavior
was observed for UQ10 [68]. In the CVs, electrocatalytic H2 oxidation coincided with the ubiquinol
oxidation peak, confirming that the electronic transfer between MBH and the electrode was mediated
by the quinone pool (Figure 4b), with a considerable stability of the immobilized membrane enzyme
(Figure 4c).

Figure 4. (a) Scheme of immobilized MBH activity on a biomimetic membrane-modified electrode.
Ubiquinone is reduced by the enzyme to ubiquinol using electrons generated from hydrogen oxidation.
The ubiquinone is reoxidized at the electrode. (b) Cyclic voltammograms (CVs) for 1–5 lipid bilayers
containing MBH. Inset: Catalytic current (measured at 600 mV) as a function of the number of lipid
bilayers. (c) Peak current (obtained at 600 mV) as a function of time (up to a week) for a five-layered
MBH multilayer (red) and a single-MBH bilayer (blue) as measured by CV. Reproduced from [68]
under the terms and conditions of the Creative Commons Attribution (CC BY) license.

Another Hase, the NiFeSe one from Desulfovibrio vulgaris, is attached to the periplasmic cell
membrane in a different way to that of the O2-tolerant Hases. Instead of having a hydrophobic third
subunit inserted into the membrane, it is peripherally attached via a lipid tail at its N-terminus, which is
in the opposite region of the distal FeS cluster [70]. Gutierrez-Sánchez et al. studied the reconstitution of
the membrane-bound enzyme over gold electrodes with two different configurations characterized by
AFM and electrochemical measurements [60]. In the first, the enzyme was attached through its lipid
tail after the formation of a fBML over a gold electrode that was modified with a 4-aminothiophenol
(4-APh) SAM. In this case, catalytic current for H2 oxidation was only measured by MET when adding
0.16 mm of methyl viologen (MV), because the Hase´s distal FeS cluster was facing the solution, not the
electrode. This result also showed the existence of defects in the membrane allowing permeability of MV.
The second configuration was obtained immobilizing the Hase together with liposomes and BioBeads
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(to remove detergent excess) in a single step over the SAM-modified gold electrode. The positive charges
at the electrode surface oriented the immobilized Hase molecules by electrostatic interactions with the
negatively charged region surrounding the distal FeS cluster, leaving the lipid tail towards the solution
that allowed for the formation of a fBLM on the top of the Hase layer. With this last system, a clear
catalytic current of H2 oxidation was observed by DET [60], as well as the generation of a proton gradient
across the fBLM [71]. The AFM characterization indicated that the fBLM thickness was the expected
one of approximately 5 nm [60], whereas the SEIRA studies confirmed the two different structural
configurations that were obtained with these two reconstitution strategies [72].

Another step further was the coupling of the ability of this system to generate a proton gradient
across a biomimetic membrane over an electrode with the activity of another membrane-bound enzyme,
F1-F0 ATP-synthase from Escherichia coli (ATPase). This enzyme uses the proton gradient across the
membrane as a driving force for the synthesis of adenosine triphosphate (ATP) [73–75]. ATPase was
inserted into liposomes and a fBLM was formed by the fusion of the proteoliposomes over the NiFeSe
Hase monolayer covalently attached to the electrode surface. In the presence of 500 μm of adenosine
diphosphate (ADP) and phosphate in the solution, 40 μg of ATP was synthesized in 2 h [76]. The AFM
images indicated that 30–40% of the surface was covered by enzyme, thus the amount of the ATPase
on the gold surface was estimated to be around 350 ng cm−2. It was further reported that ATPase
proteoliposomes could be directly fused over the gold electrode modified with the 4-APh SAM to
form a fBLM. Two types of proteoliposomes were studied for ATP hydrolisis: with and without poly
(ethylene glycol) 5000 MW (PEG) (Figure 5). AFM and electrochemical measurements indicated that
more reproducible and stable results were obtained when PEG was included as spacer between the
fBLM and the electrode surface. This improvement was attributed to an increase of the hydrophilic
boundary, allowing for more translocation of protons across the fBLM [77].

Figure 5. Adenosin triphosphate-synthase from Escherichia coli (ATPase) reconstitution in (a) fBLM (b)
fBLM-polyethylene glycol (fBLM-PEG) over gold electrodes modified with a 4-APh self-assembled
monolayer (SAM). Reprinted from [77] with permission from Elsevier.

A fBLM on gold electrodes modified with 4-APh has also been used to reconstitute the
multienzimatic complex I (CpI) [78], which plays a fundamental role in the production of cellular
energy. It contributes to the stabilization and maintenance of the transmembrane electrochemical
potential difference necessary for ATP synthesis, transport, and mobility. Deficiencies in this enzyme
can lead to some neurodegenerative diseases, such as Leber’s hereditary optic neuropathy, Parkinson’s
disorders, and dystonia [79]. The hydrophilic peripheral subunits contain the prosthetic groups
(FeS clusters and FMN) for NADH oxidation and electron transport [80], while the hydrophobic subunits
inserted in the cell membrane part are involved in quinone reduction and charge translocation [81].
The system allowed for the electrochemical study of electron transfer and proton translocation by CpI.
2,3-dimethyl-1,4-naphthoquinone (DMN) was incorporated into the bilayer as electron acceptor from
the enzyme after NADH oxidation and as redox mediator at the electrode. Without DMN in the system

170



Sensors 2020, 20, 3393

the catalytic current was negligible. The AFM study indicated the presence of protuberances of 6–8 nm
coming out from the fBLM, which were attributed to the hydrophilic components of reconstituted
CpI molecules [78]. In a later work, the two functions of CpI were monitored by SEIRA spectroscopy.
It was found that changing the way of constructing the system affected the amide I/amide II infrared
bands intensity ratio, which might indicate different orientations or arrangements of the enzyme on
the electrode. The SEIRA experiments showed that CpI was preferably incorporated into the fBLM
with the catalytic hydrophilic arm towards the solution, which made it catalytically active on NADH
oxidation and translocation of protons, thus acidifying the electrode/fBLM interface [82].

4. Applications as Biosensors

The immobilization of membrane-bound enzymes on tailored electrodes that mimic their natural
environment allows for enhancing the electrocatalytic properties by preserving their optimal structural
integrity, as indicated in the previous section. In consequence, more sensitive and stable biosensors that
are based on this type of enzymes can be developed using these strategies. Furthermore, the presence
of a biomimetic membrane over the electrode can prevent the fouling of its surface by the medium or
the non-desired signals due to redox-active interferents.

An early example of a biosensor based on a membrane-enzyme co-immobilized with a biomimetic
membrane was reported by Kinnear and Monbouquette [83]. Membrane-bound fructose dehydrogenase
(FDh) was reconstituted with a mix of two phospholipids (dioleoyl-L-phosphatidyl ethanolamine and
dioleoyl-L-phosphatidyl choline) and its natural cofactor ubiquinone-6. Subsequently, it was deposited
on a gold electrode modified with a mixed SAM of thiols. The SAM contained a hydrophobic long-chain
thiol together with two polar short-chain ones, in order to facilitate both electrostatic and hydrophobic
interactions with the charged groups of the phospholipids and the largely lipophilic FDh, respectively.
The enzymatic electrode was studied for amperometric detection of fructose, in which the ubiquinone-6
co-immobilized in the mixed thiolate/phospholipid layer acted as redox mediator. The calibration curve
was linear up to 5 mm fructose with a detection limit of 10 μm. The biosensor was highly selective
by showing no appreciable response to other sugars, which is due to the specificity of FDh activity
towards fructose. The fructose biosensor was tested in apple and orange juice with low interference
by ascorbate, which was attributed to the blocking effect of the hydrophobic layer on the electrode.
The storage stability of the biosensor improved in comparison to the FDh-modified electrode without
the biomimetic membrane, which was due to the decreased leaching of the ubiquinone redox mediator.

Darder et al. also immobilized FDh to gold electrodes that were modified with a mixed SAM of
hydrophobic and hydrophilic thiols in order to simultaneously provide electrostatic interactions with
charged residues of the enzyme and hydrophobic interactions with its largely lipophilic regions [84].
Sodium hydroxymethyl ferrocene in solution was used as redox mediator. The detection limit for
fructose was 20 μM and the lineal range reached up to 0.7 mm, having similarly low ascorbate
interference, as reported by Kinnear and Monbouquette [83]. The mixed thiol SAM was also tested
as an immobilization platform for another membrane-bound enzyme, D-gluconate dehydrogenase,
giving good results for gluconate detection. On the other hand, no electrocatalytic responses were
obtained when soluble redox enzymes, such us glucose oxidase (GOx) or horse radish peroxidase
(HRP), were deposited on gold electrodes that were modified in the same way. The QCM measurements
indicated that such enzymes did not immobilize on the surface, which indicated that the mixed SAM
was only adequate for attaching lipophilic enzymes [84].

More recently, a FDh-based amperometric biosensor has been reported in which the
membrane-bound enzyme was entrapped in liquid-crystalline lipidic cubic phase, an adequate
matrix for lipophilic enzymes. The encapsulated FDh was then deposited on a glassy carbon electrode
modified with single wall carbon nanotubes (SWCNTs) to allow for DET with the heme group of the
enzyme. In this way, very large electroacatalytic currents were measured in the presence of fructose
without requiring the addition of a redox mediator, thus obtaining a third-generation biosensor [85].
The linear range of the fructose biosensor was 1–10 mM. Furthermore, the operational stability of
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the enzymatic electrode was high, as no appreciable loss of the amperometric signal was observed
during 10 h of continuous cycling. Indeed, this high stability of the immobilized FDh was attributed
to the favorable environment that was provided by the lipidic matrix, preventing enzyme leaching
or degradation.

Cholesterol oxidase (COx) is a flavoenzyme that catalyzes the oxidation of cholesterol while
reducing O2 to H2O2 and presents a hydrophobic side chain that inserts into the lipid membrane
in vivo [86]. The measurement of cholesterol levels in blood is a very important biomedical parameter
for coronary heart diseases, arteriosclerosis, and cerebral thrombosis [87]. Wicklein et al. studied the
immobilization of this enzyme on different biomimetic interfaces that were based on phosphatidyl
choline (PC) assembled on to silicate sepiolite [88]. The best results were obtained when a PC bilayer
was used, to which COx bound by inserting a side loop as it does in its natural environment. The activity
of the enzyme in the presence of cholesterol was measured amperometrically by the oxidation of the
H2O2 produced at the working electrode. The lineal range and sensitivity obtained were 0–5 μm
and 154 mA M−1, respectively. The same PC bilayer on sepiolite was used for immobilizing urease,
an enzyme that peripherally binds to the cellular membrane, to build an urea biosensor on top of a gold
electrode modified with a SAM of 5,5’-dithiobis (2-nitrobenzoic acid) (Figure 6a). The electrochemical
transduction was based on the pH change at the electrode surface due to the urea hydrolysis activity
of the immobilized enzyme. The SAM on the electrode acted as potentiometric sensor, because its
redox potential shifted 59 mV per pH unit (Figure 6b). Fast detection of urea was measured with high
sensitivity (30.8 ± 0.7 V M−1) and low interference from ascorbic acid. The biosensor could be stored
during at least six months without sensitivity loss, which indicated the excellent compatibility of the
sepiolite/PC bilayer assembly with the enzyme [88].

Figure 6. (a) Schematic representation of urease attached to a sBLM on sepiolite fiber. (b) Dependence
on urea concentration of the potential shift of the redox probe as a result of pH increase due to the
catalytic activity of urease immobilized on pristine and sBLM-modified sepiolite. Reproduced with
permission from [88]. Copyright (2011) American Chemical Society.

Psychoios et al. reported another cholesterol biosensor based on COx immobilized on an electrode
in a biomimetic configuration [89]. The enzyme was encapsulated in a lipid film that was polymerized
over a matrix of ZnO nanowalls, which acted as transducer by providing a potentiometric signal
related to the change of the double layer charge on their surface caused by the enzymatic reaction.
The biosensor was tested in blood serum and urine, having a sensitivity of 57 mV per decade of
cholesterol concentration, a broad logarithmic detection range of several orders of magnitude, a limit
of detection of 0.7 μm, low interferences from albumin, and excellent storage stability.

Very recently, Moura and co-workers have reported an interesting third-generation nitric oxide
biosensor based on the membrane-bound enzyme nitric oxide reductase [90]. NO is involved in many
biological processes, but it is very reactive, thus its quantification requires detection times between 5 and
15 s [91]. The biosensing device was formed by a mix of the enzyme, BLMs, and SWCNTs on a pyrolytic
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graphite electrode (Figure 7). The SWCNTs served as wires for DET from the electrode to the enzyme and
were functionalized with carboxylic groups to favor electrostatic interactions with the predominantly
positively charged phospholipids in the bilayer composition. A polyethylene glycol (PEG)-modified
phospholipid was included to avoid liposome formation, while favoring the stabilization of the
membrane-bound enzyme within the SWCNTs-BLM network. Square wave voltammetry showed
DET of nitric oxide reductase and the peak current increased linearly with NO concentration in the
0.4–1.0 μm range. A limit of detection of 0.13 μm was measured, which is adequate for measuring NO
evolution in biological processes. The storage stability was good with 83.5% of the initial response was
retained after five weeks, which indicated sufficient binding between the three components that were
deposited on the electrode that minimized leaching [90].

Figure 7. Scheme of nitric oxide biosensor construction. Reprinted from [90] with permission
from Elsevier.

There are many studies of electrochemical biosensors that are based on transmembrane proteins
reconstituted on phospholipid bilayers supported on electrodes, although the vast majority comprises
ion-transport proteins or olfactory receptors, not enzymes [57]. However, a very interesting transmembrane
enzyme for biosensing is ATP-synthase or ATPase. The measurement of adenosin triphosphate (ATP)
concentration is of great interest for studying cell metabolism [92] and for the detection of microbial
contamination on surfaces [93]. In order to develop a sensitive and versatile biosensor for ATP detection,
the ATPase from Escherichia coli was reconstituted on a floating phospholipid bilayer over a gold electrode
modified with a 4-APh SAM (Figure 5). The role of the thiol SAM was not only to favor the formation
of the biomimetic membrane over the electrode, but also to serve as redox probe of pH changes at
the electrode/fBLM interface after oxidation and dimerization [71]. In the presence of ATP in solution,
the ATPase hydrolyzes the compound while translocating protons across the membrane. The potential of
the redox probe on the gold surface is pH-dependent, thus by differential pulse voltammetry a positive
shift of the peak potential was measured that was proportional to the logarithm of ATP concentration in
the bulk solution in the 0.001–1 mM range. The potentiometric ATP biosensor was tested for monitoring
the presence of microbial contamination. ATP extracted from Escherichia coli cultures with different cells
concentration were analyzed with the biosensor obtaining an electrochemical signal proportional to the
cells concentration with a time response of 5 min [77].

A very original electrochemical biosensor design has been reported for the detection of aldolase
activity. In this case the biosensor does not integrate a membrane-bound enzyme; instead the catalytic
activity of the soluble enzyme induces the formation of a tBLM on the electrode surface that decreases
the amperometric response of the redox probe ferricyanide. Aldolase is a disease marker for cancer
diagnosis and it catalyzes the reversible conversion of fructose-1,6-bisphosphate to glyceraldehyde
3-phosphate and dihydroxyacetone. Both products of the enzyme reaction have carbonyl groups that
acted as linkers between the SAM thiol on the Au electrode and a PEG-phospholipid, thus driving
the formation of a tBLM that blocked ferricyanide reduction at the electrode. The aldolase activity
was analyzed over a broad linear detection range from 5 mU L−1 to 100 U L−1, measuring a 1 mU L−1

detection limit [94].
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Liposomes can be also used to stabilize a membrane-bound enzyme on an electrode for
improvement of biosensor performance. Besides providing a biomimetic environment to the enzyme,
the liposomes give protection from proteases action and improve confinement on the electrode
surface. Guan et al. developed an electrochemical biosensor for organophosphorus pesticides formed
by layer-by-layer deposition of chitosan (a biocompatible polymer) and spherical shell liposomes
containing acetylcholinesterase (AChE) [95]. AChE is a transmembrane enzyme that is part of the
nervous system, in which it maintains the level of the neurotransmitter acetylcholine by catalyzing
its hydrolysis into thiocholine [57]. Porins were added to the liposomes that were deposited on the
electrode to allow the entrance of AChE substrate and pesticide inhibitor. Dichlorvos was used as
a model pesticide for studying the biosensing properties of the enzymatic electrode. Amperometric
transduction was performed by measuring the decrease of the oxidation current of the thiocholine
product due to the inhibition of AChE by the action of the pesticide. The amperometric biosensor was
quite sensitive to dichlorvos with a linear range of 0.25–10 μm and a detection limit of 0.9 ± 0.1 μg L−1.
The storage stability of the biosensor was studied, retaining full activity after storing for 15 days, whereas,
in comparison, the enzyme in solution lost 80% of its activity [95]. In a subsequent work, the same authors
increased the sensitivity of the biosensor by including multiwalled carbon nanotubes in the layer-by-layer
system to improve the electrochemical detection of thiocholine. The optimal construction involved
six complete layers, in which the detection limit for dichlorvos was 0.68 ± 0.076 μg L−1. In addition,
the storage stability improved by retaining full activity after 30 days [96].

5. Perspectives

The number of reported electrochemical biosensors based on membrane-bound enzymes is still
quite low when compared to those based on soluble enzymes, even if, in nature, the amount of enzymes
of the first kind that catalyze reactions of interest in sensing is large [3,5,57]. Therefore, we think that
there is a great potential for increasing research in this particular field. A very important issue for this
purpose is to develop reliable methods for immobilizing membrane-enzymes onto electrodes while
maintaining their native structure.

Biomimetic chemistry comes to aid for affronting this challenge. In the last decades, there has
been large progress on the formation and characterization of biomimetic lipid bilayers on electrodes
for fundamental studies [8,19]. Besides stabilizing the membrane-bound enzyme, the lipid bilayer
over the electrode might provide protection from surface fouling or from redox-active interferents.
More studies should be done in this direction in order to obtain more stable and specific biosensors for
analysis in complex samples. Although sBLMs and tBLMs have shown to be very valuable as model
systems for fundamental studies of cell membrane processes [9,25,29,45,48], we think that fBLMs are
more adequate for biosensor development. The presence of a water cushion in the interface between
the fBLM and the electrode facilitates the insertion of transmembrane proteins in the lipid bilayer
and gives higher flexibility and mobility within the biomimetic construction [77,78,82]. Moreover,
the presence of an aqueous interphase facilitates charge transfer process across the membrane, which can
help in coupling the biological recognition event to the electrochemical transductor [77,78]. Thus,
we think that there is great potential for the development of biosensors with potentiometric or
impedance detection. Not only BLMs are valid for providing a suitable biomimetic immobilization
of membrane enzymes on electrodes. Other alternatives, such as formation of mixed SAMs with
controlled hydrophobic/hydrophilic composition [83,84], entrapment in liquid-crystalline lipidic cubic
phase [85], or deposition of liposomes on the electrode surface have been shown to be successful for
different biosensor applications [95,96].

Several surface characterization techniques are now available for electrochemical research, such as
AFM/STM, SERS, SEIRAS, and PM-IRRAS, which allow for the complete characterization of the
biomimetic constructions and immobilized membrane enzymes on the electrode [8]. The use of these
surface characterization techniques combined with the diverse panoply of existing electrochemical
methods permits correlating the configuration of the immobilized membrane enzyme in the biomimetic
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construction with its electrocatalytical properties [7,69,72,82]. In our opinion, this kind of studies should,
in the future, considerably aid the optimization of biosensors design based on biomimetic systems.
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Abstract: Research on biosensors is growing in relevance, taking benefit from groundbreaking knowledge
that allows for new biosensing strategies. Electrochemical biosensors can benefit from research
on semiconducting materials for energy applications. This research seeks the optimization of the
semiconductor-electrode interfaces including light-harvesting materials, among other improvements.
Once that knowledge is acquired, it can be implemented with biological recognition elements, which are
able to transfer a chemical signal to the photoelectrochemical system, yielding photo-biosensors. This has
been a matter of research as it allows both a superior suppression of background electrochemical signals
and the switching ON and OFF upon illumination. Effective electrode-semiconductor interfaces and their
coupling with biorecognition units are reviewed in this work.

Keywords: biosensors; bioelectrochemistry; photo-biosensors; enzyme; biocatalysis

1. Introduction

Humankind is on a permanent quest for better ways to extract relevant information from the
environment. Many devices, known as sensors, have been created, designed and perfected since the
ancient days aiming at increasing the knowledge and therefore allowing better decisions. Therefore,
sensors have been implemented in most facets of life and have involved an incommensurable panoply
of processes and systems to provide meaningful information.

Regardless of their implementation area, some common features are desired to define
efficient sensors: easiness to use, reliability and fast response are the most desired characteristics.
The technological revolution accomplished since the late 20th Century has had a huge impact in the
sensing sector. Sensors have improved thanks to the evolution of optical and electronic transducers.
Sensors have implemented new catalytic processes and used more reliable materials to achieve a
faster response, among other improved properties [1]. Biosensors are a particular case worth research,
in which a chemical reaction catalyzed by a biological entity, mainly an enzyme, triggers the process to
inform about the presence and concentration of a specific molecule. Enzymes provide great features to
biosensors, such as selectivity and specificity, which help to ease the biosensing process by avoiding
purification steps or matrix effects. Among all kinds of enzymes, redox ones are particularly well
suited to being linked with electrochemical methods, as electroactive surfaces may transfer electrons
from and to the enzymes; this transfer substitutes that of one of the substrates and directly correlates
the enzymatic activity to electrochemical signals. This combination allows for easy, affordable and
reliable processes for sensing specific analytes. Some examples of amperometric biosensors have been
developed to sense key biomolecules such as adenosine triphosphate (ATP) [2] or general substrates
like oxygen [3]. Enzymatic reactions can also be combined with each other to perform simultaneous
analysis of biochemicals, emulating logic operations [4,5].
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Classically there have been three generations of biosensors [6]. In the first generation, the enzymatic
reaction takes place and the product is directly measured with the electrode. The second generation
substitutes the enzyme’s substrate that is not sensed by a mediator, which accomplishes the electron
transfer to the electrode and adds a catalytic effect able to increase the signal. The third generation
can be achieved with enzymes, the active site of which is available for direct electron transfer.
The immobilization of these enzymes on the electrode surface allows a direct electrochemical
measurement of the substrate. Regardless of the biosensor architecture, there are common challenges
to overcome. Selectivity is a major issue for efficient sensors to avoid false positives, which is provided
by the enzymes in the case of biosensors. Another one is the sensitivity, which is related to the noise
level measured in the absence of substrate. There have been many attempts to study the noise level in
bioelectrochemical systems. The inclusion of a single enzyme system [7,8] or cascade-concatenated
biochemical reactions [9,10] and use of strategies like the incorporation of chemical filters to suppress
or delay the background signal [11] are some examples of these efforts. A way to reduce the
noise level is to include a semiconductor between the electrode and the biosensing structures [12].
Moreover, semiconductors often can harvest light energy and become an electric conductor upon
illumination with visible light, which has even been used for water splitting [13–15]. Such building
allows a huge noise reduction while adding a switch system to the biosensor, improving the device
performance, and yielding photo-biosensors as a new tool for better sensors [16]. Early reports of
photobioelectrochemical (PEC) sensors were published more than 20 years ago [17], but it has been in
more recent years when the field has blossomed into many systems for different applications. In this
review we will focus on photo-biosensors for relevant analytes such as glucose, lactate, protein kinase
or Acetyl Choline Esterase (AChE), among other examples.

2. Semiconductors Used in Photo-Biosensors

The main characteristic of photo-biosensors with respect to amperometric biosensors is the
addition of a semiconducting material acting as a switch upon illumination, which can be triggered
or modulated when the analyte is present. Key aspects to develop such devices are how to combine
the electroactive surface, the semiconductor and the sensing biocatalysts; another key aspect is which
materials are more suitable, depending on the application desired. Conventional bioelectrochemistry
requires that the redox biocatalysts are connected to the electrode in some fashion. Most enzymes
have the catalytic site buried inside the protein structure, so the use of mediators for transferring the
electrons is a common strategy. However, there are enzymes that can be oriented on the electrode
surface and achieve direct electron transfer. Photo-assisted electrochemistry adds higher complexity to
the electron transfer, because semiconductors are generally not as reversible as conductors. Their p-
or n-type semiconducting behavior marks the main flux of electrons, so depending on the reaction
biocatalyzed only one of the semiconductor types will offer successful photo-biosensor constructions.
This characteristic must be considered when selecting the semiconductors.

A very early approach utilized fused-silica optical fibers covered with gold [17]. This sensor was
designed to detect catalase activity while providing its substrate, H2O2, generated from existing O2 upon
illumination. Other successful interfaces have included quantum dots (QDs) on the surface of electrodes.
Some of them use gold as electrode and load it with CdS to detect formaldehyde [18], although gold has
not been the most common electrode material used for these purposes. Another alternative is to use
conductive liquid contacts as electroactive material, such as a eutectic mixture of gallium and indium,
which is liquid at room temperature. This has been used to contact silicon wafers etched with HF [19].

One of the most successful electrodes that has been used in many works is indium-doped tin
oxide (ITO). Because tin oxide is itself a semiconductor, when doped with other ions like indium
(III) or fluoride it yields a conductive surface with high transparency. These have become the
most common electroactive materials for photoelectrodes, which are the bases of photo-biosensors.
On the top of ITO many semiconductors have been tested, such as BiOI nanoflakes [20]; layers of
graphene, chitosan-Cd2+ [21]; Bi2S3 [22]; CdS QDs [23]; ZnS nanoparticles [24]; TiO2 covered with
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QDs made of CdSeTe@CdS@ZnS [25]; layers of NiO and CuInS2 [26]; WS2 and gold nanoparticles [27];
laser-induced TiO2-decorated graphene (LITG) [28]; carbon nitride with gold nanoparticles [29];
or NiWO4 nanostructures [30]. It would be worth comparing these materials’ performance with the
same biosensing system, but to date they have been tested for different applications, so such study is
beyond today’s reported knowledge.

Many electroactive surfaces have been developed besides ITO-based electrodes, such as silicon (111)
working as substrate for InGaN/GaN nanowire growth [31], which served to detect reduced nicotinamide
adenine dinucleotide (NADH). Graphene combined with TiO2 nanowires has also been used as substrate on
the top of polymer nanosponges, becoming conductive and photoactive. Another strategy is an oxidizing
etching-annealing of a metal foil’s surface, which has been applied to copper, yielding a CuO nanotubes’
coverage [32], and titania, forming a TiO2 cover [33]; the latter has been also used in combination with
chitosan to favor the cross-linking of enzymes like horseradish peroxidase (HRP) [34]. Photoactive polymers
like polythiophene derivatives have also been tested [35] combined with CdS QDs. Another example of
photoelectrode for biosensing has been demonstrated using a Ni:FeOOH/BiVO4 photoanode [36].

Overall, the combination of conductive materials with photoactive materials is a key aspect to
look at when developing photo-biosensors. There are many options to suit specific needs, and it is still
a field that remains open to new composites to be developed and/or discovered.

3. Enzymes Immobilization and Performance

Enzymes play a major role in any kind of biosensors, as they are the recognition unit responsible
to provide the information to the transducing system. The enzymatic reaction should take place close
enough to the photoelectrode surface to transfer the chemical information either via direct electron
transfer or by means of a mediator, so its immobilization in the surface or close to it is a very common
strategy. Many enzymes have been used for different sensors. Very common analytical targets are
glucose, lactate, kinase-like proteins or acetylcholine esterases, although they are not the only ones.

3.1. Glucose Detection

Glucose biosensors have become important devices in the medical field due to their contribution
against diabetes mellitus. Many different strategies have been developed to address this problem.
In the following section, some of the newer approaches and strategies will be reviewed. Furthermore,
the performance of the resulting photo-biosensors is summarized in Table 1.

Table 1. Performance of various glucose photo-biosensors.

Electrode Limit of Detection Linear Range Ref.

Pt/ZnO/GOx 5.6 μM N.A. [37]
Pt/CdS/GOx 1 μM 1 μM–2.5 mM [38]

ITO/CdSe@CdS/GOx 0.05 mM 1–8 nM [39]
FTO/CdTe QD/GOx 0.04 mM 0.1–11 mM [40]

ITO/ZnS/GOx 0.02 mM 0.1–5.5 mM [41]
FTO/TiO2 NW/GOx 0.9 nM N.A. [42]

FTO/ZnO IOPC/GOx N.A. 0.4–4.5 mM [43]
GCE/p-HT/GDH 1.5 μM 5 μM–1 mM [44]

GCE/ZnS-CdS QD/GDH 4.0 μM 0.010–2.0 mM [45]
PGE/ZnS-CdS QD/GDH 0.05 mM 0.2–8.0 mM [46]

ITO/PbS QD/GOx 0.3 μM 1 μM–10 mM [47]
ITO/g-C3N4/GOx 0.01 mM 0.05–15 mM [48]

ITO/Co3O4/CNT/GOx 0.20 μM 0–4 mM [49]
FTO/α-Fe2O3/NB/GDH 25.2 μM 0.25–2.0 mM [50]

FTO/R/A TiO2/GOx 0.019 mM 1–20 mM [51]
ITO/NDC-TiO2 NPs/GOx 13 nM 0.05–10 μM [52]

GCE/CoP-PCN/GOx 1.1 μM 0.05–0.7 mM [53]
GCE/g-C3N4/ZnIn2S4/GOx/HRP 0.28 μM 1 μM–10 mM [54]

FTO/BiVO4/GOx 0.73 μM 1–400 μM [55]
ITO/Au NP/MoS2/GOx 1.2 μM 4 μM–1.75 mM [56]

3D hollow-out TiO2 NWc/GOx 8.7 μM 0–2 mM [57]

N.A: No data available.

Ren et al. used ZnO nanoparticles bound to glucose oxidase (GOx) due to its biocompatibility,
photoconductivity, photocatalytic activity and high electron transfer capacity [37]. These ZnO
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nanoparticles were multigrain and the hexagonal phase of ZnO suited best for GOx immobilization,
probably due to its larger surface to volume ratio. The adsorption process did not significantly
affect the secondary structure of the macrobiomolecule. The effects of ZnO nanoparticles were
monitored by amperometric measurements. A control experiment lacking ZnO nanoparticles yielded
a current response of 0.82 μAcm−2, while ZnO presence provided up to 21 μAcm−2. The larger surface
of the ZnO nanoparticles intensely enhances the current activity of the electrode through a better
adsorption of GOx. The optimal conditions for these biosensors were pH 6.8 and 45 ◦C, although
the system was also successful at 35 ◦C, which allows compatibility with the human body. They also
discovered that the current density increased upon irradiating UV light to the sample, reaching
27 μAcm−2. Further experiments showed that the current increased up to 30% more when irradiated,
but the photo-bioelectrode inactivated after a long exposure to light, probably due to denaturation of
the enzyme.

Sun et al. manufactured a new photoelectrochemical biosensor based on CdS nanoparticles [38].
Polyamidoamine (PAMAM) dendrimer was used as inner template to synthesize CdS nanoparticles.
GOx was immobilized on Pt electrodes together with the CdS nanoparticles through layer-by-layer (LbL)
technique. This immobilization method consisted of adsorbing sequentially charged macromolecules,
where PAMAM acted as scaffold for the CdS nanoparticles to grow. Along with GOx it formed the
glucose-detecting electrode in aqueous solution. Platinum nanoparticles were used as charge separator.
Nafion was used both as ion exchange matrix and as interference barrier. The electrodes’ performance
improved under UV light irradiation at 350 nm. They have achieved twice the current response under
UV light compared to dark tests. The stability of the sensor, checked every 2 days for a month, showed
that the GOx immobilization on the electrode was highly effective. Another photoelectrochemical
biosensor was based on a TiO2CdSe@CdS QDs nanocomposite electrode (Figure 1) [39]. Despite
using a different kind of quantum dots, glucose was detected with GOx and the biosensor was
assembled through a LbL process. The junction of TiO2 with CdS QDs improved the charge separation,
and therefore increased the photocurrent. Furthermore, the addition of electron mediators such as
[Co(Phen)3]2+ enhanced the photocurrent by suppressing the electron-hole recombination process.
The sensors built this way showed a linear range from 1 to 8 nM of glucose and the lowest concentration
of glucose detected was 0.05 mM, although that range and limit of detection could be improved through
the optimization of the number of [Co(Phen)3]2+ and GOx bilayers. Regarding stability, this sensor
was able to retain 95% of its activity after 3 weeks of storage at −20 ◦C.

Figure 1. (A) Schematic of the photo-bioelectrode building based on QDs and GOx, and the energy
levels of its components. (B) Linear response of the sensor. Reprinted with permission from ref. [39].

Wang et al. developed a photoelectrochemical biosensor built around CdTe QDs capable of
detecting glucose [40]. The CdTe QDs are settled on a fluorine-doped tin oxide (FTO) electrode.
Then GOx is covalently attached to CdTe via amide reaction, making it able to work under visible
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light. This sensor showed a broad linear range and a high upper detection limit. The QDs exhibited
an emission peak at 650 nm and an important absorbance shoulder at 627 nm. The experimental
conditions set for this sensor were −0.2V vs. SCE, pH 7, and room temperature. The wavelength of the
incident light was set to 505 nm. The accuracy and detection limits of the sensor make it promising for
measuring glucose in blood in the future.

Another glucose biosensor was developed combining GOx, ITO and ZnS nanoparticles [41].
The main goal was to be able to replace CdS as the main semiconductor in the sensor due to its
toxicity and potential harm to the environment. On the surface of the ITO electrode, ZnS nanoparticles
were electrodeposited. Then the enzyme was immobilized on the electrode via sol-gel method.
The authors proved that the immobilized GOx maintained its tertiary structure and catalytic activity.
Photoelectrochemical activity from ZnS nanoparticles resulted in an improved sensibility and lower
detection limit when irradiated as compared to experiments without any source of light. In addition,
the sensor proved to be stable and retained its activity throughout time.

A photoelectrochemical biosensor based on TiO2 nanowires and GOx was developed by
Tang et al. [42]. Their single-crystalline rutile-phased TiO2 was hydrothermally grown on an FTO
electrode. Then GOx was attached to its surface through silane/glutaraldehyde linkage. Experiments
carried out with commercial TiO2 nanoparticles revealed that the sensitivity obtained with TiO2

nanowires-GOx sensors was clearly higher. Therefore, the sensitivity enhancement was directly
related to the TiO2 nanostructure. They also evaluated the effect of interference molecules (metal ions,
amino acids, glucose analogues, etc.) and their influence proved to be minimal. Finally, they tested the
biosensor performance with mice serum, with remarkable results.

A novel photobiosensor built with ZnO inverse opal photonic crystals (IOPCs) was developed by
Xia et al. [43]. ZnO IOPCs have a uniform porous distribution and a massive surface area due to their
structure. These crystals were obtained via sol-gel method using polymethylmethacrylate (PMMA) as
a building scaffold and an FTO electrode. Then Nafion and GOx were attached to the surface and the
lining of ZnO. This type of biosensor harnesses the “slow light effect” and multiple scattering from
ZnO IOPCs to increase light absorption. This sensor layout proved to be highly selective, sensitive
and reproducible.

Dilgin et al. developed a glucose biosensor composed of electropolymerized hematoxylin (p-HT)
film on PAMAM dendrimers that were adsorbed on a glassy carbon electrode (GCE) [44]. Then glucose
dehydrogenase (GDH) was immobilized onto the whole ensemble. The electrode depends on the
electrocatalytic oxidation reaction of NADH. They used a halogen lamp and flow injection analysis (FIA)
to carry out the experiments. The main advantages of this technique are: low sample consumption,
fast analysis and suitability for the analysis of species that would involve arduous operations of
separation and chemical conversions. This sensor electrode is remarkably sensitive, selective and
durable, and has proven limit of detection enhancement under irradiation.

Ertek et al. proposed photo-biosensors based on GDH and electrodeposited ZnS-CdS QDs on
both multiwalled carbon nanotube modified GCE [45] and pencil graphite electrodes (PGE) [46].
Cyclic voltammetry and FIA were employed to assess the performance of the biosensors under visible
radiation generated by a 250 W halogen lamp. The GCE-based photo-biosensor showed a narrower
linear range (from 0.010 to 2.0 mM of glucose) compared to that of PGE-based system (from 0.2 to
8.0 mM of glucose), but a lower detection limit (4.0 μM); the latter electrode offered a higher detection
limit (0.05 mM). These results suggest that these two biosensors could work complementarily.

One of the main advantages of self-powered biosensor is that there is no need to apply any voltage
to the cathode and the anode. Dai et al. [47] designed a self-powered cathodic photo-biosensor focused
on a hybrid PbS QDs/nanoporous NiO film nanostructure. They used ITO electrodes upon which they
hydrothermally built 3D NiO nanostructures and then attached thioglycolic acid (TGA) capped PbS
QDs to form a p-type heterostructure. P-type semiconductors are less prone to react with reductive
interference substances. Finally, GOx was immobilized on the electrode via succinimide coupling
reaction between NH2 groups in the enzyme and COOH groups on the surface of TGA-capped PbS
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QDs. The resulting biosensor proved to be highly selective, stable and sensitive and provided a
fast response.

Liu et al. synthesized a composite comprising g-C3N4 and TiO2 bidimensional nanosheets [48].
Each of these components compensates the flaws of the other. g-C3N4 enhances the mediocre visible
light excitation of TiO2 and the latter delays the otherwise rapid charge recombination from g-C3N4.
They constructed a biosensor to evaluate the performance of this new composite in combination with
ITO electrodes and GOx. Nafion was used as a binding agent to secure the enzyme to the electrode.
The photoelectrochemical efficiency rose to 350% when compared to the g-C3N4 or TiO2 alone.

Çakıroğlu et al. developed a self-powered biosensor [49] (Figure 2). Co3O4 and carbon nanotubes
(CNT) were deposited on an ITO electrode coated with TiO2 anatase, creating a p-n junction. Then CNTs
were functionalized with 1-pyrenic boronic acid so that a covalent bound between this moiety and
the carbohydrate groups of GOx could take place through an esterification reaction. Since it is a
self-powered biosensor, no external potential is needed. While normally TiO2 would need UV light for
electrons to overcome its wide band gap, Co3O4 enhanced its photoelectrical capabilities under visible
light. A linear range from 0.2 μM to 4 mM glucose concentration and a limit of detection of 0.20 μM
were reported at 0 V.

 

Figure 2. (A) Schematics of the photo-biosensor synthesized step by step. (B) Energy transfer diagram
for the work showing the valence bands and conduction bands of the photo-biosensor components.
Taken with permission from ref. [49].

Ryu et al. proposed a photoelectrochemical platform based on hematite (α-Fe2O3), a visible
light active catalyst which was immobilized upon a FTO electrode through a two-step annealing
process [50]. Polydopamine (PDA) was used to immobilize the redox mediator Nile Blue (NB) for
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the electrocatalytic NADH oxidation. The resulting platform was suitable for biosensing of glucose,
ethanol or lactate by selecting the appropriate enzyme. GDH was used as biocatalyst for the sensor.
The photo- biosensor showed a reasonable limit of detection and sensitivity, great selectivity and
promising future applications.

In another example, GOx was successfully entrapped in Nafion and deposited a on a rutile
nanorod/anatase nanowire TiO2/FTO photoelectrode [51]. The use of these TiO2 phases (rutile and
anatase) improved the PEC glucose biosensor performance as this structure facilitated the loading of
the enzyme and favored the transport of electrons from the conduction band on anatase TiO2 to that of
rutile TiO2. Glucose could be detected in a relatively broad concentration range (1–20 mM) and with
low limit of detection (0.019 mM).

Atchudan et al. developed an ultrasensitive PEC biosensor that comprised a novel nanocomposite
of nitrogen-doped carbon sheets (NDC) wrapped titanium dioxide nanoparticles (NDC-TiO2 NPs)
and GOx covalently immobilized on it [52]. Interestingly, the NDC-TiO NPs were synthetized from
peach extract by a new green method. The energy levels of both the valence and conduction bands of
NDC are at a higher level than those of TiO2 NPs, which favored the migration of generated electrons
and holes and minimized their recombination. Regarding the PEC sensing mechanism, the H2O2

molecules—formed on the photo-bioelectrode surface from O2 during the GOx-catalyzed oxidation
of the analyte—acted as electron donors and those electrons were transferred to the ITO electrode,
while the photogenerated holes migrated from the valence band of TiO2 NPs to that of NDC. The H2O2

oxidation photocurrent increased linearly upon addition of glucose in the range from 50 nM to 10 μM.
The PEC biosensor showed excellent selectivity, reproducibility, stability, and durability. The detection
limit was as low as 13 nM. Moreover, the biosensor was capable of analyzing glucose levels in real
human serum.

A nanocomposite of porous carbon nitride modified with cobalt phosphide nanoparticles
(CoP/PCN) was as well proposed as photo-electroactive material and support for GOx [53].
The CoP were employed to increase the PEC response upon visible light—given that it is a good
photosensitizer—and also served as electron acceptors to accelerate charge separation. In their
approach, the decrease in the concentration of dissolved O2, which is consumed during the enzymatic
reaction, and the subsequent loss of O2 reduction photocurrent were used for the determination of
glucose. Their PEC biosensor showed a linear response in the range from 0.05 to 0.7 mM and a detection
limit of 1.1 μM.

Zhang et al. proposed a bi-enzymatic glucose sensor based on graphitic carbon nitride and
ZnIn2S4 composites (g-C3N4/ZnIn2S4) and a biocatalyzed precipitation reaction [54]. GOx and
horseradish peroxidase (HRP) were immobilized, with the aid of gold nanoparticles, on a glassy
carbon/g-C3N4/ZnIn2S4 photoelectrode, in which GOx catalyzed the oxidation of glucose to generate
H2O2. In the presence of 4-chloro-1-naphthol (4-CN), HRP used H2O2 to catalyze the oxidation of
4-CN to form an insoluble compound (benzo-4-chlorohexadienone). The formed precipitate acted
as a barrier towards electron transfer between g-C3N4/ZnIn2S4 and an electron donor (L-cysteine,
which trapped the photogenerated holes of the semiconductors), accelerated the carrier recombination
and, as a consequence, the oxidation photocurrent of the electron donor decreased. They found a
linear relationship between the photocurrent and the logarithm of glucose concentration in the range
1–10,000 μM and a low detection limit of 0.28 μM. This novel methodology was also applied for the
determination of glucose in diluted human serum.

Furthermore, a study by Chen et al. concerning the photocurrent switching effect of BiVO4

semiconductors (i.e., the p-type semiconductor behavior of this typical n-type semiconductor at a
bias potential) led to the design of a PEC glucose sensor [55]. The sensing strategy was based on the
measurement of the reduction photocurrent of H2O2 produced during the GOx-catalyzed glucose
oxidation. Their FTO/BiVO4/GOx photoelectrode exhibited excellent selectivity, high sensitivity
(the detection limit was 0.73 μM) and was barely affected by oxygen level fluctuations.
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In a very recent study, Çakıroğlu et al. constructed a mesoporous TiO2 (MTiO2) structure with
enhanced surface area which improved both GOx and gold NPs immobilization [56]. MoS2 was
added for visible light harvesting, while gold NPs aimed to improve the photonic efficiency of the
PEC system. The multiple heterojunctions of the MTiO2-gold NPs-MoS2 system enhanced the PEC
response towards glucose of the biosensor, which exhibited a detection limit of 1.2 μM and a broad
linear range (0.004–1.75 mM). Because MTiO2 was synthesized by using tannic acid—a green and
cheap material—as a template, their results encourage sustainable strategies for porous material
preparation. Another recent work also proposed the use of an advanced TiO2-based material for
GOx immobilization [57]. More specifically, the authors aimed to provide the biosensor with a higher
number of exposed enzyme active sites by means of 3-dimensional (3D) hollow-out titanium dioxide
(TiO2) nanowire clusters (NWc) on a Ti wire mesh, as illustrated in Figure 3A. The enzymatic reaction
could occur with high efficiency on the resulting mesh electrode, which allowed excellent diffusion of
glucose and products around the immobilized enzyme. As a result, glucose could be detected with
ultrahigh sensitivity in the range between 0 and 2 mM (Figure 3C,D). Moreover, the sensor showed
remarkable short- and long-term stability.

Figure 3. Schematic of (A) the preparation of 3D hollow-out TiO2 NWc/GOx electrode and (B) glucose
detection on the mesh electrode. Insets (a–c) show that the 3D network structure allows GOx to
perform catalysis on a high surface. (C) Photocurrent density response over time of 3D hollow-out
TiO2 NWc/GOx in the presence of increasing concentrations of glucose. (D) Calibration plot. Adapted
from [57] with permission from The Royal Society of Chemistry.
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3.2. Acetylcholine Esterase

Acetylcholine esterase (AChE) is a hydrolase involved in the termination of nerve impulses
that catalyzes the hydrolysis of the neurotransmitter acetylcholine to acetate and choline. Its activity
is affected by various inhibitors, such as organophosphorus and carbamate compounds used as
pesticides and nerve agents (because they lead to the accumulation of acetylcholine, disrupting the
neurotransmission). As enzymatic sensors can detect not only the substrate but also the enzyme
inhibitors, biosensors based on AChE inhibition can be used for the detection of different analytes
by measuring the relative difference between the response in the absence and in the presence of the
inhibitor [58,59]. Regarding photoelectrochemical sensors, since Pardo-Yissar et al. demonstrated
that AChE could be combined with semiconductor QDs for photoelectrochemical biosensing of an
enzyme inhibitor [60], many biosensors using new photoactive hybrid materials have been reported for
the detection of organophosphate pesticides (OPs) [20,35,61], aflatoxin B1 [62], and for AChE activity
studies linked to the investigation of neurodegenerative diseases [63–65].

Gong et al. integrated AChE within a nanostructured porous network of crossed bismuth
oxyiodide BiOI nanoflake arrays (BiOINFs) in the design of a highly sensitive biosensor for the
detection of an organophosphate pesticide [20]. A 3D network of BiOINFs turned out as an excellent
matrix for the enzyme immobilization, which enhanced mass transport and AChE loading on the
photoelectrode. Moreover, BiOI exhibits good visible light harvesting properties. As depicted in
Figure 4A, the photocurrent of AChE-BiOINFs/ITO electrodes increased in presence of the enzyme
substrate acetylthiocholine (ATCl) as a consequence of the hole scavenging properties of the product of
the enzymatic reaction (thiocholine) upon irradiation; when an organophosphate pesticide (methyl
parathion) was added, an irreversible inhibition effect impaired the enzymatic production of the hole
scavenger and that was reflected as a decrease in the photocurrent. The relative difference between
the photocurrent values in the absence and presence of the inhibitor methyl parathion (MP) was
proportional to its concentration in the ranges 0.001–0.08 μg mL−1 and 0.3–1.0 μg mL−1 (Figure 4B,C).
A detection limit of 0.04 ng mL−1 was reported. On the same enzyme inhibition strategy, the use
of CdSe@ZnS QDs and graphene nanocomposites [61] and laser-induced TiO2-decorated graphene
(LITG) [28] was also proposed for the determination of OPs. The simple and scalable preparation
method of the latter photoelectrode by direct-laser-writing of LITG on ITO, in which graphene greatly
improved the photoresponse of the semiconductor (detection limit of chlorpyrifos: 5.4 pg mL−1),
could be very promising for PEC assays, although the immobilization of the enzyme was not considered.

Figure 4. (A) Schematic of the photobioelectrochemical (PEC) biosensing principle using Acetyl Choline
Esterase (AChE)-bismuth oxyiodide BiOI nanoflake arrays (BiOINFs)/indium-doped tin oxide (ITO)
photoelectrodes. (B) Photocurrent response over time for increasing concentrations of methyl parathion.
(C) Inhibition as a function of methyl parathion concentration and linear calibration plots. Adapted
with permission from ref. [20].
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A highly sensitive and selective self-powered PEC biosensor for OPs based on an enzymatic
fuel cell was also reported [35]. They used (PEDOT)-sensitized CdS QDs forming a bilayer
heterojunction—which promoted electron-hole separation and prevented charge recombination—as
the photoanode and AChE immobilization platform. For the biocathode, they employed multiwalled
carbon nanotubes, gold nanoparticles and bilirubin oxidase (BOx). The electrons generated in the
photoanode by the enzyme product thiocholine could be transferred to the biocathode, where O2 was
reduced by BOx, and as a consequence a high open circuit voltage (EOCV) was produced. The variation
in the EOCV in the presence of different concentrations of the inhibitor chlorpyrifos was used for the
determination of the OP. Their PEC biosensor showed a wide linear range (0.00005 to 0.1 μg mL−1) and
a detection limit of 0.012 ng mL−1.

In a different approach, Zhao et al. proposed a PEC enzymatic sensor aiming at preserving
the optimal activity of the enzyme in the absence of the inhibitor by the use of antibodies [66].
AChE antibodies (anti-AChE) were immobilized, instead of the enzyme, on the surface of a
photoelectrode consisting of a BiOI nanoflakes/TiO2 nanoparticles p-n heterojunction. The presence of
the inhibitor methyl parathion in a sample solution containing AChE and acetylthiocholine, in which
the photoelectrode was immersed for the immunoreaction with anti-AChE, led to a decrease in the
photocurrent that allowed the inhibitor determination (limit of detection: 0.015 ng mL−1). This strategy
could be extended to the study of the enzymatic activity or inhibition of other enzymes on condition
that antibodies are appropriately immobilized.

The inhibitory effect of aflatoxin B1 on AChE activity was also exploited for its detection,
although in a great lesser extent than for OPs sensing. One PEC biosensor based on TiO2 nanotubes,
gold nanoparticles and AChE immobilized by crosslinking with glutaraldehyde was reported for
the determination of this toxin (Yuan coatings 2018). AFB1 competitively inhibited the enzyme and
could be determined in the range 1–6 nM with a detection limit of 0.33 nM. The performance of their
biosensor competes well with more costly methods for AFB1 detection.

Furthermore, the study of AChE inhibition may be crucial in neurodegenerative disease research,
because the dysfunction of this enzyme disturbs the cholinergic neurotransmission (i.e., involving
neurotransmitter acetylcholine), which is related to the pathogenesis of neurodegenerative disorders
such as Parkinson’s disease (PD). A few PEC biosensors have been proposed as simple and sensitive
platforms for the study of AChE activity in the presence of neurotoxins or Cd2+ ions. As an example,
a hybrid photoelectrode for the evaluation of AChE inhibition by two endogenous neurotoxins ((R)-Sal
and (R)-NMSal)—which have been believed to play a role in PD—was constructed by using nitrogen
and fluorine co-doped TiO2 nanotubes (TNs), Ag nanoparticles and AChE [63]. By measuring the
photocurrent variations observed as a result of AChE inhibition and the subsequent decrease of
thiocholine concentration (the product of acetylthiocholine hydrolysis which acts as an electron donor
to scavenge the holes in the valence band of TNs), (R)-Sal and (R)-NMSal could be determined with
a detection limit of 0.1 nM and 0.2 nM, respectively. Their results showed that the inhibition by
these endogenous neurotoxins was reversible and mixed (competitive-uncompetitive). The inhibition
constants were also calculated (Ki = 0.35 μM for (R)-Sal and 0.12 μM for (R)-NMSal). The same group
reported the preparation of a nanomaterial composed of TNs modified with ZnO nanorods for the
immobilization of AChE and the investigation of the effect of Cd2+ ions on its activity [64]. The results
obtained with their PEC system revealed that Cd2+ had an activation effect on AChE activity at low
concentration, whereas it had an inhibitory effect at high concentration.

3.3. Protein Kinases

Kinases are enzymes that catalyze the transfer of phosphate groups from ATP to other biomolecules
such as amino acids in substrate peptides or proteins, sugars, nucleotides or lipids; the case of protein
kinases (PKs) have been matter of photoelectrochemical biosensors. Abnormalities in protein kinase
activity and the phosphorylation process are related to many diseases, including cancer, diabetes and
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Alzheimer’s disease [67]. With the aim of determining kinase activities in a simple, rapid and sensitive
way and of screening its inhibitors, various photochemical biosensors have been proposed.

Most PEC biosensors for PK activity employed graphite-like carbon nitride (g-C3N4) as
photoactive material [29,68,69], occasionally combined with TiO2 to facilitate the effective charge
separation and for recognition of the phosphorylated peptide after the PK-catalyzed reaction [70,71].
Yin et al. developed a visible-light activated PEC biosensor based on g-C3N4, the specific recognition
molecule Phos-tag-biotin and avidin modified alkaline phosphatase (streptavidin-ALP) for signal
amplification [29]. They constructed a g-C3N4-AuNPs-ITO electrode whereby a substrate peptide
could bind (via the AuNPs and -SH groups of the peptide residues) and then, protein kinase A (PKA)
transferred one phosphate group from ATP to the peptide. Subsequently, Phos-tag-biotin identified
the phosphate group and the streptavidin-ALP was further captured on the electrode surface through
the highly specific interaction between avidin and biotin. Finally, the immobilized ALP catalyzed the
conversion of L-ascorbic acid-2-phosphate trisodium salt (AAP) into ascorbic acid (AA), which acted as
electron donor and provided one electron to capture the photo-generated hole of g-C3N4, resulting in an
increase of the photocurrent. PKA was thus selectively and sensitively detected (the detection limit was
0.015 U mL−1) through the relationship between the photocurrent and PKA concentration. In another
work from the same group, the interaction between phosphorylated g-C3N4 (P-g-C3N4) nanoparticles
and a PKA-induced phosphorylated peptide (P-peptide) triggered by Zr4+ ion coordination [68] was
proposed as a simple method for PKA activity biosensing. However, the detection limit reported
could be improved (0.077 U mL−1) and the preparation of P-g-C3N4 was time-consuming. Moreover,
they developed a PEC biosensor that used a g-C3N4-TiO2 composite, as both photoactive material and
P-peptide conjugation platform, and a signal amplification strategy triggered by a polyamidoamine
(PAMAM) dendrimer and ALP (which catalyzes the production of AA, an electron donor for the
generation of the photoelectrochemical response) [70]. The PKA-catalyzed phosphorylation was
performed in solution, instead of on the electrode surface, to simplify the experimental procedure and
improve the contact between the reactants. Nevertheless, the separation process carried out before
the capture of the P-peptide on the electrode (by the use of magnetic beads and carboxypeptidase Y
for the hydrolysis and release of the P-peptide) was tedious and actually made the detection process
more complicated.

The specific biotin-streptavidin interaction proposed in ref. [29] had been also used by
Zhou et al. [72] in a simple label-free PEC biosensing method. Kinase-induced phosphopeptides,
previously immobilized on a Bi2S3-AuNPs-ITO electrode, could bind to a biotinylated Phos-tag in
the presence of Zn2+ and then streptavidin could be captured on the electrode surface, resulting in
a decrease in the photocurrent due to the blocking of streptavidin towards the electron donor AA
diffused to the Bi2S3 surface. The response was related to the phosphorylation extent and therefore
to the PKA activity (Figure 5A,B), which could be detected with a detection limit of 0.017 U mL−1.
Furthermore, the sensor showed good selectivity when tested with other protein kinases and acceptable
stability (Figure 5C,D).

Yan et al. further improved the sensitivity achieved by PK sensors and developed a highly sensitive
PEC biosensor for PKA activity detection based on Au NPs localized surface plasmon resonance (LSPR)
enhancement and dye sensitization [67]. They constructed a TiO2-ITO electrode for the immobilization
of the peptide and subsequent phosphorylation catalyzed by PKA. Then DNA was conjugated onto
AuNPs and specifically coordinated to the P-peptides on the electrode via Zr4+ ions. [Ru(bipy)3]2+ was
intercalated into the DNA grooves and harvested visible light to produce excited electrons that injected
into TiO2 conduction band, resulting in a strong photocurrent. The LSPR and fast electron transfer
kinetics provided by AuNPs further improved the photocurrent efficiency and amplified the response.
Their biosensor showed extremely low background signals and a detection limit of 0.005 U mL−1.
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Figure 5. (A) Photocurrent response of the PEC biosensor based on biotinylated Phos-tag specific
recognition for protein kinase A (PKA)-phosphorylated peptides in the presence of increasing
concentrations of PKA (from left to right). (B) Photocurrent vs. logarithm of PKA concentration
calibration plot. (C) Biosensor selectivity after incubation of the peptide-Bi2S3-AuNPs-ITO electrodes
with different protein kinases. (D) Stability of the photocurrent response upon chopped-irradiation.
Reprinted with permission from ref. [72].

Metal-organic frameworks (MOFs), a class of organic-inorganic hybrid crystalline porous materials,
were also used to improve the sensitivity of PK PEC biosensors. For instance, Zr-based metal-organic
frameworks (UiO-66) containing [Ru(bipy)3]2+ in the pores were selected in the design of a biosensor
based on surface defect recognition and multiple signal amplification [73]. The surface defects on
the ZrO clusters in UiO-66 enabled the binding of the phosphate groups of the peptide previously
immobilized on a TiO2-ITO electrode. Moreover, the high surface and porosity of the UiO-66 enhanced
the amount of [Ru(bipy)3]2+, which injected excited electrons into the TiO2 semiconductor; therefore,
that increased the photocurrent and the sensitivity of the biosensor, which presented a detection
limit as low as 0.0049 U mL−1 and a linear range from 0.005 to 0.0625 U mL−1. As a final example,
Wang et al. employed gold nanoparticle-decorated zeolitic imidazolate frameworks (Au-ZIF-8) for the
immobilization of the substrate peptide on a ITO electrode modified with carbon microspheres [71].
Then, a g-C3N4-TiO2 nanocomposite specifically interacted with the PKA phosphorylated peptide
and provided a strong PEC response under visible light. The sensitivity of their biosensor was poorer
than that of the UiO-66-based system previously described (0.02·U mL−1) but the detection range was
significantly wider (0.05 and 50 U mL−1).

The PEC biosensors introduced here also performed the detection of PKA activities in cell lysates,
which is promising for drug discovery applications, disease diagnosis and evaluation of therapeutic
efficiency. Furthermore, these detection and inhibition screening methodologies can be extended to
other kinases by changing the substrate peptide.

3.4. Lactate Detection

Lactate monitoring is of great importance in medical diagnosis and sports medicine. For instance,
lactate is an indicator of traumatic brain injury [74,75] and its levels inform on the training status
of athletes. State-of-the art lactate biosensors are moving towards non-invasive point-of-care (POC)
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detection and wearable systems. To improve the selectivity, both lactate oxidase (LOx) or lactate
dehydrogenase (LDH) enzymes are used [76]. The scarce number of PEC enzymatic sensors for lactate
detection that have been developed over the last decade uses the latter enzyme. However, wearable
POC systems based on LDH and photoelectrochemical principles have not been reported yet for
non-invasive lactate monitoring.

The first PEC LDH biosensor that demonstrated its practical applicability in real samples used
a TiO2 nanoparticle-multiwall carbon nanotube composite as immobilization matrix for LDH [77].
The system showed that the LDH co-substrate nicotinamide adenine dinucleotide (NAD+) can be
regenerated from the NADH produced during the biocatalytic reaction at a moderate potential (0.2 V
vs. Ag/AgCl) by the photoexcited holes of the composite. The biosensor exhibited good long-term
stability, high selectivity, a dynamic range of 0.5–120 μM, a sensitivity of 0.0242 μA μM−1, and a
detection limit of 0.1 μM.

Zhu et al. immobilized LDH, NAD+ and a ternary composite onto ITO electrodes to develop a
PEC biosensor that showed enhanced performance compared to other electrochemical biosensors for
lactate [78]. The composite consisted of TiO2 nanotubes (TiONTs), gold nanoparticles (GNPs)—which
provided a surface plasmon resonance effect (SPR)—and polyaniline (PANI) with excellent electrochromic
properties (Figure 6A). This system allowed the efficient regeneration of NAD+ and the amplification
of the photocurrent response, as depicted in Figure 6B, and it responded to a broad range of lactate
concentrations (Figure 6C). The linear range, sensitivity, and detection limit of their method were
0.5–210 μM, 0.0401 μA μM−1, and 0.15 μM, respectively.

Figure 6. (A) Schematic of the preparation of TiO2 nanotubes (TiONT)-polyaniline (PANI)-gold
nanoparticles (GNPs) composites. (B) SPR-enhanced lactate biosensing mechanism of the TiONT-PANI-
GNPs/lactate dehydrogenase (LDH)/nicotinamide adenine dinucleotide (NAD+)/ITO system comprising
PEC cosubstrate regeneration. (C) Photocurrent response of the PEC biosensor in the presence of increasing
concentrations of lactate. Adapted with permission from [78]. Copyright (2016) American Chemical Society.

Furthermore, lactate dehydrogenase can use redox proteins, such as cytochrome c (cyt c),
as electron acceptors. A platform that coupled cyt c and pyridine-functionalized CdS nanoparticles was
combined with cytochrome-dependent lactate dehydrogenase and allowed the detection of millimolar
concentrations of lactate [79]. The system generated oxidation photocurrents (at 0 V vs. SCE and
λ = 420 nm) that were enhanced in the presence of increasing concentrations of lactate, as a result of
the enzymatic regeneration of reduced cyt c.

3.5. Photo-Biosensors for Specific Applications

Besides the examples shown for the most common enzymatic sensors, there have been some
other enzymatic systems developed for photoelectrochemical biosensors. A branch of sensors
has focused on monitoring enzymes and their activity, in addition to protein kinases and AChE,
already mentioned earlier. The very early optical fiber-based example was designed to detect the
presence of catalase [17]. The optical fiber was modified by a partial chemical etching, allowing an
interstitial space for the solution containing a sensitizer. The external layer of gold was exposed
to a solution with tris(2,2′-bipyridine)ruthenium, afterwards the optical fiber was irradiated with

193



Sensors 2020, 20, 3281

an Ar laser and the internal silica layer provided the photons to excite the electrons of Ru(bpy)3
2+,

which reduced O2 present in the solution to H2O2. The gold ring was then used to detect the in-situ
generated H2O2. The sensor was able to quantify catalase activity by measuring the decrease of H2O2

concentration. Other photoelectrochemical systems have been designed for detecting protease activity,
specifically tyrosinase and thrombin, which selectively cleaves arginine-glycine amide bonds [23].
The photoelectrode comprised ITO glasses modified with multiple layers of the sequence CdS and
mercaptopropionic acid. After the final CdS layer was deposited a peptide ended in 4-phenyl
was immobilized on the surface to serve as protease sensor. Tyrosinase oxidizes the radical to an
ortho-quinone derivative, and thrombin cleaves the peptide chain. Both modifications impact the
photoelectrochemical response. Detection of tyrosinase limited at 1.5 μg·mL−1 and yielded a linear
range from 2.6 to 32 μg·mL−1; whereas thrombin was detected at 1.9 μg·mL−1 and gave a linear range
from 4.5 to 100 μg·mL−1. Another example where photo-biosensors are used to detect enzymes relied
on ITO electrodes as foundation for NiWO4 nanostructures, which comprised the photoelectrodes [30]
and showed a suitable ability to oxidize uric acid, which served as sacrificial electron donor and
allowed the photocurrent. An immunosensor specific for neuron-specific enolase (NSE) was placed on
the top of the nanostructures. Upon the presence of the NSE the surface of the electrode gets blocked by
the immunoreceptors activity and the photocurrent is hindered. This structure yielded a sensitivity of
0.12 ng mL−1. Another enzyme worth monitoring is a cancer marker like type IV collagenase, which is
related to liver, breast, colon, lung carcinomas, and leukemia [80]. To do so, an ITO electrode was layer
by layer modified with CdTe QDs and a synthetic peptide containing the specific sequence Gly-Pro-Ala,
which is the cleavage target of collagenase. To one end of the sequence arginine amino acids were
added to be modified with silver nanoparticles. The detection took place by a photoelectrochemical
current increase caused by the cleavage of the peptide, which released the silver nanoparticles and
allowed a larger radiation to reach the CdTe-ITO electrodes. The photocurrent increase was coherent
with the variation in the impedance spectra of the surface. The photosensor yielded a limit of detection
of 96 ng mL−1 and a linear detection range from 0.5 to 50 μg mL−1.

Enzymes are not the only biomolecules that have been a target for photo-biosensors; proteins,
peptides and key oligomers have also been matter of research due to its huge relevance in diagnosis.
A first example is carcinogenic biomarkers, which have also been addressed with this technology.
An ITO electrode modified with a layer of graphene oxide and a second layer of chitosan-Cd2+ has been
used against a carcinoembryonic antigen (CEA), which served as recognition molecule [21]. The target
molecule was the antibody for CEA. When the target molecule is not present, an artificial antibody
loaded with horseradish peroxidase (HRP) linked to the surface. The authors promoted this way the
reduction of sodium sulfite with H2O2 catalyzed by HRP, yielding sodium sulfide, which formed QDs
with the existing cadmium in the chitosan layer. The appearance of CdS allowed the photooxidation
of ascorbic acid, added as revealing agent. A GOx-based photo-biosensor has been used to detect
the cancer biomarker α-fetoprotein (AFP) [81]. AFP is a glycoprotein which excess flags a high
probability of hepatic carcinoma or endodermic sinus tumor. The sensor consisted in TiO2 coupled
with an AFP-CdTe-GOx conjugate that includes labels antibodies for AFT and GOx attached to CdTe
QDs so its signal can be amplified. The electrode was coated with a layer of chitosan to provide a
biocompatible matrix suitable for AFP antibody binding. CdTe QDs improve visible light absorption,
thus avoiding the irradiation of the electrode with UV light, which is harmful against enzymes.
In addition, quick electron transfer grants enhanced charge separation due to matching energy levels
between CdTe and TiO2, improving photocurrent response. Furthermore, in the presence of glucose,
GOx catalyzes the production of H2O2 that acts as an electron donor and scavenges the photogenerated
electron holes in CdTe QDs valence band, which enhances the photocurrent response even more.
The electrodes tested turned out to be long-lasting, highly reproducible and with good sensitivity.

Nucleic acids’ related activity has also been a matter for photo-biosensors. ITO electrodes modified
with Bi2S3 and antibodies specific for methylated DNA have been used to detect the enzyme DNA
methyltransferase [22], as the malfunction of this enzyme is related to several diseases and cancer
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development. The activity of DNA methyltransferase was detected by treating a DNA palindrome
single stranded probe, which was methylated by the enzyme and later on linked to a biotinylated
complementary sequence. The double-stranded modified sequence was trapped on the photoactive
surface loaded with antibodies, and the exposed biotin was used to link alkaline phosphatase.
The addition of the revealing probe, phosphorylated ascorbic acid, allowed for the photodetection of
the resulting ascorbic acid, which enhanced the photoelectrochemical current if present. Malfunction
of the DNA methyltransferase enzyme yielded no immunorecognition, no alkaline phosphatase,
and no photooxidation of ascorbic acid. The revealing system was used for peptide detection also
on different photoactive materials [25]. In this case an ITO electrode modified with macroporous
TiO2 loaded with complex quantum dots CdSeTe@CdS@ZnS was used. The photoelectrode was
loaded with polyethyleneimine (PEI) and later with a biotinylated peptide for leukemia recognition.
The signal was transduced with an equivalent alkaline phosphatase and ascorbic acid oxidation system.
In another example, a photo-biosensor designed for hydroxymethylated DNA was presented by using
ITO electrodes, which were modified with WS2 and gold nanoparticles [27]. On the top of the surface,
a DNA probe was immobilized to match the methylated DNA target. This system yielded a linear
response in the photocurrent from 0.01 to 100 nM concentrations. Further on, the DNA-modified
electrode could also be used to detect glycosyl transferase activity, since this enzyme can use the
hydroxymethyl derivative of the DNA and substitute it by a sugar derivative, which can be detected
with boronic acid-terminated quantum dots.

Finally, some other biosensors are devoted to detection of small biomolecules that usually act
as biomarkers for several conditions and their monitoring can maintain or improve our health.
A formaldehyde biosensor based on formaldehyde dehydrogenase was proven by replacing the
NAD cofactor by a CdS-covered gold electrode [18], although this work focused on optimizing the
enzyme-CdS interface and its light-dependence rather than developing the analytical conditions of the
biosensor. Nitrite is an important analyte to monitor in environmental and food chemistry. An example
of nitrite detection used a cytochrome C as recognition molecule deposited on a nanosponge modified
with graphene-TiO2 nanowires. Upon illumination, the detection limit of nitrite was 0.225 mM and a
linear range from 0.5 μM to 9 mM was achieved. Uric acid is a biomolecule that works as biomarker of
purine metabolism, and when it is out of range can anticipate gout or other cardiovascular condition [24].
The sensor was built on an ITO electrode coated with several kinds of ZnS nanostructures and the
enzyme uricase, which oxidizes the uric acid to allantoin, CO2 and H2O2. The best performing
electrode was modified with ZnS urchin-like nanostructures, which upon illumination showed a limit
of determination of 45 nM and a linear range from 0.01 to 0.54 mM. Another sensor [32] was prepared
using semiconducting CuO nanotubes by oxidation of copper foil in two steps: a wet etching and
further annealing. The work was focused on photoelectrode development using the enzyme xanthine
oxidase as model reaction for guanine detection.

Lactose determination in dairy products and in particular in those called “lactose-free” is drawing
more and more attention because of lactose intolerance problems. Very recently Çakıroğlu et al. have
investigated an effective PEC strategy for lactose detection for the first time [82]. They developed
a PEC biosensor for glucose and lactose consisting of TiO2 modified with gold nanoparticles and a
layer of MnO2/g-C3N4 for the co-immobilization of glucose oxidase and β-galactosidase. Lactose
measurements could be performed at low potential (−0.4 V vs. Ag/AgCl) with good sensitivity
(detection limit of 0.23 μM) and linear range (0.008–2.50 mM).

N-methylglycine, also known as sarcosine, is a natural amino acid present in many organisms
and plays a role in some metabolic paths like glycine synthesis or degradation. In addition, it may
serve as biomarker of prostate cancer [26]. A photoactive biosensor built on ITO electrodes covered
subsequently with layers of NiO, CuInS2 and sarcosine oxidase was tested. It should be noted that the
interface NiO-CuInS2 is a p-p type heterojunction. The system worked by reducing the photocurrent
due to the enzymatic activity of sarcosine oxidase, which competed with the photoelectrode for O2

and depleted the substrate for the photoelectrode. The photoelectrode offered a limit of detection of
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0.008 mM and a linear range from 0.01 to 1 mM. Typical interferences were tested successfully, which can
be attributed to the selectivity of sarcosine oxidase. Hydrogen peroxide is also a very interesting
molecule for detection, as it is a byproduct of oxidases, substrate of peroxidases and intermediate
of many enzymatic cascades. Li el al. [33] prepared arrays of TiO2 nanotubes by anodic oxidation
of Ti foil and temperature crystallization for 2 h at 450 ◦C in aerobic conditions. The nanotubes
were coated with polydopamine-HRP mix by incubation in solutions of dopamine and later on HRP.
The HRP activity oxidized the dopamine, yielding an insoluble product that decreased the photocurrent.
The sensor offered a 0.7 nM detection limit and a linear range from 1 nM to 50 μM. This is not the only
example of photo-biosensors using TiO2 nanotubes synthesized from titanium foil; another example
has covered it with chitosan and cross-linked HRP to it with glutaraldehyde, by a double Schiff-base
imine formation [34]. In this case, the sensor works by feeding HRP with H2O2, sodium sulfite and
cadmium ytride, which produces CdS that precipitates and increases the photocurrent. The presence
of the herbicide asulam avoids the formation of sulfide from sulfite, decreasing the photocurrent.
Finally, a very recent work devoted to carcinoembryonic antigen demonstrates a dual electrochromic
biosensor where a photoelectrochemical cell plays a role for both powering and sensing the device [36].
The photoanode comprised Ni:FeOOH/BiVO4 nanocomposites and was set to power a cathode made
of Prussian Blue (Figure 7). The detection of the carcinoembryonic antigen was performed with specific
antibodies loaded with glucose oxidase set to form a sandwich structure when the antigen appears.
Then glucose was fed into the anodic chamber. If the secondary antibody is linked, which happens
only when the antigen has been trapped, H2O2 is produced by the glucose oxidase enzymatic reaction.
H2O2 then acts as electron donor and is oxidized in the photoelectrode, increasing the current upon
illumination. The sensor needed for dual optimization in time incubation, setting that it needs 45 min
for immunologic process and 35 min for glucose oxidation by GOx (Figure 7C). The photocurrent
generated fed the cathode, where the Prussian Blue was reduced to Prussian White, making the blue
color disappear (Figure 7D).

Figure 7. (A) Analytical principle of the photoelectrochemical sensing cell triggered by an immunoreaction
and connected to a digital multimeter readout. (B) Analytical principle of the readout electrochromic cell.
(C) Time optimization of (a) glucose oxidation and (b) immunosensing processes. (D) Electrochromic
sensor decreasing absorbance of Prussian Blue, reduced to Prussian White. Adapted from ref. [36].
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4. Conclusions

Photoelectrochemical biosensors have shown a very recent development, which came later than
other biosensors due to their higher complexity and difficulty to achieve. Nevertheless, they provide
better performance with respect to background signal suppression and the ability to switch the
sensor ON and OFF. Moreover, the larger number of components opens the door to tailor on-demand
sensors that are not only better suited to specific applications than regular biosensors, but have also
shown new ways to create and analyze a sensing signal. Future work will focus on new interfaces
electrode-semiconductor and semiconductor-macrobiomolecule—where the optimization can be
carried out—while increasing the sensitivity and selectivity of the sensor. Another research trend
that allows the inclusion of light-dependent sensors is the selection of the excitation wavelength,
which opens plenty of possibilities of multi-sensing platforms by a mere decomposition of white light.
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Abstract: Heme peroxidases are widely used as biological recognition elements in electrochemical
biosensors for hydrogen peroxide and phenolic compounds. Various nature-derived and fully
synthetic heme peroxidase mimics have been designed and their potential for replacing the natural
enzymes in biosensors has been investigated. The use of semiconducting materials as transducers
can thereby offer new opportunities with respect to catalyst immobilization, reaction stimulation,
or read-out. This review focuses on approaches for the construction of electrochemical biosensors
employing natural heme peroxidases as well as various mimics immobilized on semiconducting
electrode surfaces. It will outline important advances made so far as well as the novel applications
resulting thereof.
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1. Introduction

Heme peroxidases are popular tools for a variety of bioanalytical techniques where they serve e.g.,
as reporter enzymes in affinity-based assays or as recognition elements in biosensors [1]. The redox
enzymes are especially attractive biocatalysts for the construction of electrochemical biosensors for the
detection of peroxides, phenolic compounds, or aromatic amines [2]. Phenols and derivatives are highly
abundant toxic wastewater contaminants of e.g., the plastic, paper, and pharmaceutical industries [3,4],
while the determination of peroxide concentrations is of high relevance for e.g., the food, pharmaceutical,
paper, and textile industries [5–7]. As by-product of many oxidases like glucose oxidase (GOx) or
cholesterol oxidase, its detection is further important for diagnostics [2]. In addition, the in vivo
relevance of hydrogen peroxide as a signaling molecule [8], cell toxin, and disease indicator [9] has
gained more attention, invoking the need for highly sensitive biosensors.

Electrochemical biosensors employing heme peroxidases immobilized on classical electrode
materials like carbon or noble metals have been extensively reviewed in the past [2,10–12].
Semiconducting materials, on the other hand, have not gained that much attention in this field,
although they have been employed already since decades as substrates for the immobilization of
enzymes [13–18]. The ability of semiconductors to control charge accumulation and release by
potential, light or heat cannot only be exploited for photovoltaic systems, solar energy harvesting, and
conversion [19,20], but can also open up new possibilities for the application of enzymes like heme
peroxidases in photoelectrocatalytic devices [21].

Despite their wide use and large potential, the structural properties of heme peroxidases interfere
with their production on high scales and, more importantly, can impede their performance in
electrochemical biosensors. By the use of chemical and biological engineering techniques and
computational methods, researchers have therefore developed various alternative chemical and
biological molecules that could serve as mimics for heme peroxidases, catalyzing the same or even more
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reactions, but outperforming the natural enzymes in terms of electrocatalytic activity or stability under
harsh conditions. In combination with the development of new electrode surfaces and immobilization
techniques, new efficient biosensors based on peroxidase reactions have been designed.

This review compiles approaches for the development of electrochemical biosensors employing
natural heme peroxidases as well as various mimics—ranging from nature-derived heme-peptide
complexes to fully synthetic heme derivatives—immobilized on semiconducting electrode surfaces.
It will outline important advances made so far as well as the novel applications resulting thereof.

2. Heme Peroxidases and Their Mimics

2.1. Biochemistry of Heme Peroxidases

Heme peroxidases, EC 1.11.1.7, catalyze the oxidation of a broad variety of reductants (AH2) by
peroxides, usually hydrogen peroxide, following Equation (1) [22,23]:

H2O2 + 2AH2 −−−−−→ 2H2O + 2AH . (1)

Heme peroxidases are found in all domains of life. Yet, for bioanalytical applications secretory
plant peroxidases, constituting family III of the superfamily of peroxidases-catalases [24], are mostly
used. The heme peroxidase from horseradish (HRP) is probably the best-studied member of this
family and therefore, the most popular peroxidase for the construction of electrochemical biosensors.
However, systems employing other heme peroxidases e.g., from soybean [25–27], tobacco [28–30],
as well as peanut and sweet potato [28,31], have been reported.

Figure 1 shows the overall structure of HRP isoenzyme C1A as well as the active site arrangement
which is common in all plant peroxidases. HRP C is a monomeric and mainly α-helical glycoprotein
with a molecular weight of 44 kDa. Furthermore, HRP contains four disulfide bonds and two calcium
ions, both of which are important for the enzyme’s structural stability [32,33]. Figure 1b shows a
close-up of the active site highlighting the cofactor and three amino acids, which have been identified as
highly conserved and essential for the high activity of heme peroxidases. His170 coordinates the heme
iron on the proximal side and anchors it in the center of the enzyme. The sixth coordination site is the
substrate binding site and vacant in the enzyme’s resting state. During catalysis, the distal amino acids
Arg38 and His42 facilitate the efficient heterolytic cleavage of the bound peroxide by abstracting and
donating protons and by stabilizing leaving groups, as depicted in Figure 1c [34,35]. Upon reduction
of hydrogen peroxide, water is released and Compound I, a high-valent reaction intermediate with an
Fe-oxoferryl center in oxidation state +IV and a porphyrin-based cationic radical, is formed. The three
main reaction steps of heme peroxidase catalysis are described with Equations (2)–(4) [32,35]:

Peroxidase + H2O2 −−−−−→ Compound I + H2O, (2)

Compound I + AH2 −−−−−→ Compound II + AH , (3)

Compound II + AH2 −−−−−→ Peroxidase + AH + H2O. (4)

In two consecutive one electron transfer steps, the resting state is restored from Compound I via
formation of the second intermediate Compound II. The latter is structurally similar to Compound
I, but lacks the porphyrin-based radical. Single-electron or hydrogen atom donors serve as electron
sources and are oxidized to radicals, which in turn can form dimers or higher oligomers.

2.2. Peroxidase Reactions in Electrochemical Biosensors

Figure 2 illustrates the two different measuring modes of electrochemical biosensors for the
detection of hydrogen peroxide by heme peroxidases. In the direct approach, the intermediates
Compound I and II formed upon reaction of the enzyme with hydrogen peroxide are both reduced
at the electrode via direct electron transfer (Figure 2a). This way, the resting state is restored and a
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new turnover can be initiated. The reduction potentials of the redox couples Compound I/Compound
II and Compound II/resting state were shown to be as high as +700 mV vs. Ag/AgCl at pH 7 [2,36].
Therefore, the electrocatalytic reduction of hydrogen peroxide by heme peroxidases can be detected at
highly positive potentials.

Figure 1. Crystal structure of HRP and mechanism for hydrogen peroxide reduction. (a) Overall
globular structure of HRP C1A. The polypeptide chain is shown as the grey cartoon, the heme cofactor,
disulfide bonds, and selected amino acids as red, yellow, and multi-colored sticks, respectively. The two
calcium ions are shown as blue spheres. (b) Active site of HRP C1A with the heme cofactor depicted
as red sticks with the iron center as orange sphere. The essential amino acids Arg38, His42, and
His170 are shown as sticks colored by element. Structures were visualized using PDB 1ATJ [33]
and VMD 1.9.3 [37]. From Neumann, 2019 [38]. (c) Proposed mechanism for hydrogen peroxide
reduction by heme peroxidases and concomitant Compound I formation. Adapted with permission
from Rodríguez-López et al., 2001 [34]. Copyright (2001) American Chemical Society.

However, often electrocatalysis is reported to occur at much more negative potentials close to
the formal potential of the Fe2+/3+ transition. In these cases, the reaction most likely proceeds via a
Fenton-like mechanism involving first the reduction of the ferric resting state by the electrode followed
by a reaction of the ferrous enzyme with hydrogen peroxide to form a hydroxyl anion and a hydroxy
radical (Figure 2a) [39]. Alternatively, the ferrous peroxidase could react with hydrogen peroxide to
form water and Compound II which is subsequently reduced by the electrode [22]. In both cases,
the reaction is initiated by generation of ferrous heme which usually requires very negative working
potentials [23]. This has the disadvantage that many compounds and background reactions, especially
oxygen reduction reactions, can interfere with the detection. Therefore, biosensors based on the
direct reduction of Compounds I and II are preferred as they can operate at moderate potentials. The
mediated approach, on the other hand, employs additional compounds that shuttle electrons between
the electrode and the reaction centers of Compounds I and II (Figure 2b). Thus, they can increase
the sensitivity for peroxide while the working potential of the biosensor can be tuned according to
the reduction potential of the mediator. The reactivity of peroxidases with mediators thereby varies
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for enzymes from different sources and can be even tuned by enzyme engineering [40]. As many
substrates of peroxidases, like phenolic compounds or aromatic amines, are oxidized to redox active
products, also their concentration can be determined via their reduction at the working electrode
following the scheme in Figure 2b [2].

Figure 2. Electrochemical transduction modes of peroxidase-based biosensors. (a) In the direct
approach, the reaction intermediates Compound I and II are directly reduced at the electrode at high
potentials. The Fenton-type reaction route is initiated by conversion of the heme cofactor from the
ferric (Fe3+) to the ferrous (Fe2+) state at lower potentials. (b) In the mediated approach, an additional
compound is used to mediate electron transfer between working electrode and Compounds I and II.
Peroxidase substrates can act similar to mediators when their products can be recycled at the electrode.

2.3. Engineering of Heme Peroxidase Mimics

In most common heme peroxidases from plants, the heme cofactor is centered in the middle of
the protein matrix and the glycosylation shell can hinder an efficient direct electron transfer to the
heme active site, which may lead to a significant decrease in sensitivity or even completely prevent a
direct detection of peroxides. In a number of groundbreaking studies, it was reported that the rate
of direct heterogeneous electron transfer of HRP on polycrystalline gold could be increased from 1
to up to 400 s−1 when the deglycosylated form of the enzyme (dgHRP) was used and engineered
surface cysteines and tags were employed for its immobilization [41,42]. Consequently, the sensitivity
of dgHRP towards hydrogen peroxide at high potentials was reported to be more than 100 times
higher compared to the glycosylated enzyme [43]. These findings demonstrated that a size reduction
as well as an oriented surface immobilization of the enzyme significantly influence its electrocatalytic
activity as both factors lead to a decrease of the electron transfer distance between the redox site and
the electrode.

The heme cofactor itself, the smallest catalytic unit of heme peroxidases, exhibits efficient direct
electron transfer on various surfaces and its inherent peroxidatic activity has been exploited for the
construction of manifold biosensors. However, compared to HRP, its enzymatic activity is around
1000 times lower due to the lack of amino acids essential for efficient catalysis [44]. The possibility to
chemically modify the heme cofactor e.g., by introduction of new functional groups, led to engineering
approaches for a variety of heme derivatives. Introduction of pyrrole-, thienyl-, and phenoxy-groups
to the porphyrin scaffold, for instance, enabled its polymerization and formation of films with
electrocatalytic activity [45–48]. Furthermore, by coupling a rigid linker to the macrocycle, functional
groups were positioned in the second coordination sphere of the iron center, as shown in Figure 3a.
These so-called Hangman-porphyrins constitute a group of simplified mimics of the active site of
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heme peroxidases. It was reported that an Fe-Hangman porphyrin bearing an acidic group in the
second coordination sphere showed a three orders of magnitude higher activity towards hydrogen
peroxide reduction compared to the Fe-porphyrin lacking the hanging group [49]. It was proposed
that the proton abstracting/donating properties of the hanging group facilitate the heterolytic cleavage
of bound hydrogen peroxide and formation of a reaction intermediate similar to Compound I of
heme peroxidases.

Figure 3. Structures of selected peroxidase mimics. (a) Chemical structure of a Hangman porphyrin
with a xanthene linker. Various combinations of meso-substituents (R1), metal centers (M), and hanging
groups (R2) have been reported. Examples for each functionality are given below. Taken from [38].
(b) Illustration of microperoxidases with the heme in black lines and the polypeptide chain as a
grey ribbon. The respective polypeptide segments of the different microperoxidases are noted below.
(c) Crystal structure of Co-mimochrome IV with polypeptide chains as grey cartoon, the heme cofactor,
and selected amino acids as red and multi-colored sticks, respectively. PDB 1PYZ [50] visualized with
VMD 1.9.3. [38].

Additionally, various biomolecules were shown to increase the activity of the heme cofactor upon
complex formation by preventing its aggregation and providing acid-base functionalities for catalysis.
The interaction partners range from G-quadruplexes (DNAzymes) [51] and monoclonal antibodies
(Hemoabzymes) [52] to short peptides, including amyloid β peptides involved in Alzheimer’s
disease [53,54]. Presumably, the most prominent examples of peroxidase mimics though are
microperoxidases. These mini-enzymes with peroxidatic activity are prepared via proteolytic digestion
of cytochrome c, leading to formation of heme-peptide complexes with a polypeptide chain of typically
six to eleven amino acids (MP-6 to MP-11), as shown in Figure 3b [55]. The recently reported fully
synthetic approach for the synthesis of microperoxidases further opened up new possibilities for the
design of customized heme-peptides incorporating even non-natural groups [56]. Microperoxidases
were shown not only to possess a peroxidase-like activity, but also to catalyze dehalogenation
reactions [57] and oxygen-transfer reactions similar to cytochrome P450 enzymes [58], making them
attractive tools for the construction of biosensors. Nastri et al. also pursued an approach for the
rational design of heme-peptide conjugates. By using the β-chain of human deoxyhemoglobin as the
template, they designed mimochrome I, a complex composed of two helical peptide chains and a
deuteroporphyrin arranged in a helix-heme-helix sandwich structure [59]. Figure 3c shows exemplarily
the crystal structure of Co-mimochrome IV, one of the subsequently created mimochrome variants
incorporating different metal centers and polypeptide chains [50]. The prototype Fe-mimochrome I
was characterized by two symmetrical peptide chains with histidine coordinating the central metal ion
on both sides, and thus did not show significant peroxidase activity. Fe-mimochrome VI on the other
hand, obtained after iterative optimization, has an asymmetric structure and a vacant coordination
site at the iron center [60,61]. The most recent mimochrome was reported to be highly active towards
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oxidation of classic peroxidase substrates as well as nitration of phenols, with the reaction proceeding
via formation of Compound I [62].

3. Peroxidase Reactions on Semiconductors for Electrochemical Biosensing

3.1. Semiconductors as Electrode Materials for Biosensors

The use of inorganic or organic semiconductors in potentiometric sensors like field-effect transistors
is well-established. These can be easily miniaturized employing microelectronics or screen-printing
technologies, enabling, for example, the fabrication of integrated sensor arrays and even their deposition
on flexible surfaces [63,64]. The coupling of semiconductors and illumination is widely used for
photovoltaic systems with either the semiconductor itself as light-active component or in combination
with an immobilized photosensitizer as a light-harvesting unit [20,65]. Photoswitches constitute another
group of possible applications for semiconductors in combination with biomolecules. In enzyme
photoswitches, for example, the activation of charge carriers of the semiconductor by internal or
external irradiation induces redox changes in an immobilized enzyme and thereby initiates a substrate
conversion [21]. The photocurrents resulting from these photo(electro)catalytic processes can then be
detected in dependency of the substrate concentration.

The comparatively low conductivity of semiconductors can result in slow direct electron transfers
and high background currents. However, their conductivity can be tuned by varying the material
composition e.g., by metal ion doping. In addition, a general prerequisite for the construction of an
electrochemical biosensor is an appropriate surface that facilitates a productive immobilization and
stabilization of the target biomolecules. Analogous to other materials, the surface of semiconductors
can be designed according to the requirements given by the properties of the catalyst. Transparent
conducting oxides (TCOs) form a group of optically transparent semiconductors including e.g., the
widely used titanium dioxide or indium tin oxide (ITO) [66]. They provide a biocompatible matrix for
catalyst immobilization that enables the combination of electrochemical and spectroscopic transmission
measurements in the visible range of the spectrum. This is explicitly attractive for the analysis of
surface-confined heme peroxidases or their mimics as the heme cofactor exhibits a strong absorbance
in this range. The absorbance wavelength is sensitive to its redox state as well as its immediate
environment, thus allowing for example the identification of reaction intermediates [22]. Additionally,
the oxidation products of the peroxidase reaction are often characterized by a high fluorescence or
pronounced absorbance in the visible range, thus enabling a facile spectroscopic monitoring of the
heme peroxidase activity. Enzymes were adsorbed to planar or porous TCO-substrates as well as to
TCO-nanomaterials [18,67,68]. For covalent coupling surfaces can be further modified with different
functionalities e.g., by formation of silane- [1,69], phosphonic acid- [69,70], or aryl diazonium salt-based
self-assembled monolayers (SAMs) [71,72]. The sol-gel process is a well-established procedure for the
preparation of TCOs based on the hydrolysis of metal alkoxide precursors like tetramethoxysilane [73].
Sol-gel materials offer a tunable porosity and biocompatibility and are characterized by a high optical
transparency as well as mechanical, chemical, and thermal stability and negligible swelling in various
solvents. Moreover, refinements in the experimental conditions with respect to the used solvents,
pH, as well as the temperature required for the final drying step paved the way for the addition of
biomolecules during the sol or gel formation, thus enabling their encapsulation during fabrication [74].

Organic semiconductors, polymers like polythiophene and polypyrrole (PPy), have also been
widely used for the construction of peroxidase-based biosensors. Electropolymerization often serves
as a method for a highly controllable deposition of these polymers onto conductive surfaces. Given
suitable conditions, the electropolymerization performed in presence of the enzyme leads to its
entrapment and thus enables a one-step synthesis of electrochemical biosensors [75]. Besides their
physical entrapment into electropolymerized films or the subsequent adsorption, approaches for
covalent electropolymerization of biomolecules bearing polymerizable groups have been reported.
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These range from DNA fragments [76] to whole enzymes as GOx, where its copolymerization via
pyrrole groups led to a higher activity in the film than achieved by entrapment [77].

3.2. Biosensors with Natural Heme Peroxidases

In 1989, Tatsuma et al. reported the first immobilization of HRP on tin oxide coated
glass [14]. Amino groups were introduced on the semiconductor’s surface via silanization with
(3-aminopropyl)triethoxysilane (APTES) followed by covalent coupling of the enzyme. The thus
obtained biosensor detected hydrogen peroxide at +150 mV vs. Ag/AgCl with ferrocenecarboxylic
acid as mediator. By additional coupling of GOx, the sensor was further successfully employed for
the detection of glucose. Afterwards, plenty of publications on electrochemical biosensors employing
peroxidases on TCO materials followed. Wu et al. published the first encapsulation of HRP in a
sol-gel matrix and reported the preservation of its enzymatic activity inside the glass demonstrated by
dibenzothiophene oxidation [78]. Studies for hydrogen peroxide detection via chemiluminescence [79]
as well as cholesterol detection via co-entrapment of HRP and cholesterol oxidase [80] followed. Lloyd
et al. transferred the sol-gel system to 96-well microplates and demonstrated the protective effect of the
enzyme encapsulation at high hydrogen peroxide/HRP ratios during 3,3′,5,5′-tetramethylbenzidine
oxidation [81]. However, the spectrum of application of sol-gels in biosensors was quickly expanded
from only optical to electrochemical read-out. At first, most approaches focused on the deposition of
sol-gels on non-transparent materials like carbon with HRP encapsulated in, adsorbed on or covered
with the sol-gel matrix for fabrication of biosensors for hydrogen peroxide either in absence [82–84]
or presence [85–87] of a mediator. Chen et al. additionally doped a silica based sol-gel with
multi-walled carbon nanotubes, leading to a four times higher sensitivity towards hydrogen peroxide
compared to the matrix lacking the nanotubes [88]. Furthermore, TCO nanomaterials like various zinc
oxide nanostructures [89,90], antimony oxide bromide nanorods [91], as well as iron and cobalt oxide
nanoparticles [92,93] have been employed for HRP immobilization on non-TCO materials. Additionally,
titanium dioxide has been used in the form of soluble nanoparticles and nanotubes [94,95], but also as
nanotube arrays directly grown on titanium foil via anodic oxidation [96–99]. Kumar et al. reported
that the introduction of such a nanoporous oxide layer enabled a direct electrochemical communication
between adsorbed HRP and the electrode which was not observed on titanium alone [99]. Also for a
mediated approach a significant increase in the hydrogen peroxide reduction by HRP was obtained when
the enzyme was immobilized in a graphite composite with mesoporous TiO2 rather than non-porous
TiO2 [100]. Alternative attempts to improve this communication included the incorporation of gold
nanoparticles in between the enzyme and the TCO substrate [101]. However, in the afore-mentioned
systems, a direct reduction of hydrogen peroxide was only observed at negative potentials down to
-0.6 V vs. Ag/AgCl, thus indicating a Fenton-type reaction at the electrode and not the electrocatalytic
behavior expected for HRP.

In 2009, Astuti et al. reported on the direct spectroelectrochemistry of HRP and cytochrome
c peroxidase immobilized on mesoporous TiO2 as well as polylysine modified mesoporous SnO2

employed for electrocatalytic measurements [102]. Here, the authors were able to confirm the formation
of reaction intermediates Compound I and II on the electrode surface by following spectroscopic
changes as well as by the high onset potentials of the cathodic reduction of hydrogen peroxide.
However, they also reported that HRP showed a much less favorable heterologous electron transfer
than cytochrome c peroxidase due to its glycosylation shell, which aside from its insulating and
distance-increasing effects, could also hinder a proper access to the pores. The use of engineered
HRP-variants could circumvent this problem as has initially been shown for gold electrodes [103].
Our group recently immobilized His6-tagged dgHRP on a mesoporous TCO electrode support and
investigated its spectroelectrochemical as well as electrocatalytic properties [38]. Here, antimony tin
oxide (ATO) was employed due to its previously discovered binding affinity for His6-tags [18,104].
A direct electronic communication of the heme center with the electrode surface was demonstrated
by spectroelectrochemical measurements as well as electrocatalytic reduction of hydrogen peroxide
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in absence of a mediator. The larger potential window of ATO in comparison to SnO2 enabled the
determination of the reduction onset potential. The latter was with +439 mV vs. Ag/AgCl high enough
to confirm the formation of Compounds I and II and to enable hydrogen peroxide determination in
aerobic conditions without interference of oxygen (Figure 4a). While the linear concentration range
was comparable to that of HRP on PLL-modified mesoporous SnO2, the sensitivity was significantly
lower, which can be attributed at least in part to the 400 mV higher working potential of our system
where the Fenton-type reaction is avoided (Figure 4b, Table 1).

Figure 4. Electrocatalytic reduction of hydrogen peroxide by dgHRP adsorbed on mpATO. (a) Linear
sweep voltammograms of bare (dashed lines) and dgHRP-modified (solid lines) mpATO before (black)
and after (red) addition of 2 mM hydrogen peroxide in air-saturated 100 mM phosphate buffer, pH 7.4.
Scan rate 2 mV/s, stirring speed 500 rpm. (b) Concentration dependent current increase of a dgHRP
modified mpATO upon hydrogen peroxide addition obtained from amperometric measurements at
0.2 V vs. Ag/AgCl. Data were fit to the Michaelis–Menten equation. Adapted from [38].

While the vast majority of peroxidase-based electrochemical biosensors were constructed for
the determination of hydrogen peroxide, only a few reports on phenol detection by peroxidases on
semiconductors have been published. Rosatto et al. exploited the comparatively low conductivity
of silica gels for suppression of the direct reduction of hydrogen peroxide by HRP on a carbon paste
electrode and thereby increased the biosensor’s sensitivity for various phenolic substrates [4]. Dai et al.
on the other hand, coupled the reaction of HRP with that of tyrosinase [105]. Co-immobilization of both
enzymes on mesoporous silica yielded a biosensor that exhibited a higher sensitivity for phenol than
the respective monoenzyme systems and that was also applied for detection of catechol and p-cresol.
Interestingly, the addition of hydrogen peroxide was not required in this system as it was generated in
situ via the reduction of dissolved oxygen. Hydrogen peroxide is also produced via oxygen reduction
by irradiated TiO2 and functioned as oxidant for the soybean peroxidase catalyzed oxidation of
2,4,6-trichlorophenol by a TiO2-soybean peroxidase composite material [27]. Here, the enzyme and the
TCO material were entrapped in an UV-cured acrylic polymer matrix coated on glass. The authors
reported that in presence of the enzyme less toxic intermediates are formed during degradation than by
TiO2 alone, making the system more attractive for bioremediation applications. Kamada et al. reported
an increased UV-tolerance of HRP intercalated into semiconducting titanate layers [106], a circumstance
they then exploited for the photoswitched oxidation of Amplex Ultrared initiated by direct oxidation
of bound HRP to Compound I upon UV-irradiation of Fe-doped titanate [107]. Subsequent oxidation
of the substrate by the reaction intermediate was followed by formation of the fluorescent product.
The authors demonstrated a precise control of the enzymatic activity by irradiation without the need
for external or in situ produced hydrogen peroxide. Later, the group further modified this approach by
immobilizing HRP on a layer of platinum doped hematite on gold or platinum supports, as shown
in Figure 5. The more narrow band gap of hematite compared to titanate enabled the initiation of
the enzymatic reaction by visible light irradiation [108]. Though the authors did not report on the
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construction of a biosensor, this approach can avoid photodeactivation of peroxidases, making it an
attractive starting point for the development of various applications.

Figure 5. Light-driven conversion of Amplex Ultrared (AUR) by HRP on Pt-doped hematite thin films.
(a) Schematic illustration of photoinduced enzymatic reaction by HRP adsorbed on Pt-doped α-Fe2O3

thin film. AUR is catalytically oxidized to a fluorescent product by the HRP bound to the film under
visible light illumination. (b) Photoswitching behaviors of catalytic oxidation of 0.1 mM AUR by bare
or HRP-adsorbed α-Fe2O3(Pt) under intermittent blue light irradiation (2 mW/cm2). Reprinted with
permission from Kamada et al., 2012 [108]. Copyright (2012) American Chemical Society.

In 1990, Wollenberger et al., reported for the first time the one-step fabrication of a hydrogen
peroxide biosensor based on entrapment of HRP in a PPy matrix during electropolymerization on
pyrolytic graphite and platinum [109]. Here as well, a bienzyme approach for glucose determination
was established, employing a laminated GOx membrane on top of the electrode. Despite a decrease in
sensitivity for H2O2 compared to directly adsorbed HRP, a significant increase in long-term stability
was observed. The HRP/PPy system was shortly after transferred to tin oxide by Tatsuma et al. in
1992 who measured with 10 nM a four magnitudes lower detection limit for hydrogen peroxide [110].
In both cases, electrocatalytic reduction was observed at potentials much more positive than the Fe2+/3+

transition. However, the question remained, if PPy served as conducting matrix facilitating electron
transfer between HRP Compounds I and II and the electrode or if this process was mediated by pyrrole
dimers entrapped in the polymer matrix. Both hypotheses were found to be eligible as Tatsuma et al.
demonstrated the usability of PPy as conductive material as well as the ability of pyrrole oligomers
to function as mediators [110]. Later, the group also extended their system to glucose detection by
incorporation of GOx during electropolymerization [111] while Yoshida et al. coupled the HRP reaction
with that of glutamate oxidase for fabrication of a mediator-free glutamate sensor [112]. Further
optimizations of the HRP/PPy system with respect to hydrogen peroxide detection were reported.
For example, coating the HRP/PPy electrode with a film incorporating catalase as “substrate purging
catalyst” increased the upper limit for hydrogen peroxide detection by two orders of magnitude [113].
Razola et al. further deposited a thin PPy layer between electrode surface (platinum or glassy carbon)
and enzyme layer in order to prevent denaturation of HRP and surface blocking [114]. Indeed, the
obtained sensor detected hydrogen peroxide at +150 mV vs. Ag/AgCl in a lower concentration range
than the initially reported system [109], but could not reach the sensitivity of HRP/PPy on SnO2 [110].
Intriguingly, Razola et al. excluded the possibility of electron transfer mediation by pyrrole or its
oligomers in their system and declared a direct electrocatalytic reduction of hydrogen peroxide by HRP.

As alternative to entrapment of peroxidases in electropolymerized films, various approaches
based on either grafting of enzyme/polymer mixtures on surfaces or adsorption of the catalyst on
pre-formed polymer films have been published (Figure 6). Both procedures have the advantage that
less enzyme amounts are required than for batch polymerization. But, in contrast to pyrrole, for
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example, polymers used for mixing with enzymes need to be soluble in aqueous solution in order
to ensure that the catalyst retains its activity. Again, Tatsuma et al. were among the first to report
an electrochemical biosensor based on various peroxidases mixed with the water-soluble polymer
poly(3-(3’-thienyl)propanesulfonic acid [115]. The mixture was cast on SnO2 and electrocatalytic
hydrogen peroxide reduction was observed at potentials up to 1 V vs. Ag/AgCl. By removal
of thiophene monomers and oligomers after the chemical polymerization, the authors excluded
participation of these species as mediators in the electron transfer and concluded that the reaction
intermediates of HRP, a microbial peroxidase and lactoperoxidase received electrons directly from the
polymer matrix. Moreover, using this hydrophilic polymer enabled stable measurements in the organic
solvent acetonitrile [116]. For several systems based on adsorption of HRP on polymer films, aniline
was the monomer of choice. In 1997, Yang et al. deposited polyaniline on platinum foil or glassy
carbon via electropolymerization and subsequently adsorbed the positively charged enzyme during
reduction of the polyaniline film at -0.5 V vs. SCE [117]. The thus constructed sensor detected hydrogen
peroxide at moderate potential without the need for a mediator (Table 1). Hua et al. used composites of
polyaniline and multiwalled carbon nanotubes for immobilizing HRP on gold and obtained a biosensor
detecting hydrogen peroxide with a high sensitivity, though at negative potentials (Table 1) [118].
Bartlett et al. on the other hand,Bartlett et al. exploited the direct electrochemical communication
between HRP and polyaniline for the fabrication of an enzyme switch, a so-called microelectrochemical
enzyme transistor [119]. Here, HRP was adsorbed to electrodeposited polyaniline on dual carbon
microband electrodes. Compounds I and II formed upon reaction of HRP with hydrogen peroxide
oxidize the polyaniline matrix leading to a switch from its conducting to an insulating form which
is then reversed by the potentiostat. The potential change of the polymer and the drain current
served as measuring parameters for the concentration-dependent detection of hydrogen peroxide.
Furthermore, cross-conjugated polymer networks from self-assembled nanoparticles were created by
electropolymerization serving as conductive surface for HRP immobilization and the thus created
biosensors were reported to be highly sensitive [120,121].

Figure 6. Schematic illustration of different ways of combining biomolecules and organic
semiconductors for the fabrication of sensors: entrapment during electropolymerization or
co-polymerization, adsorption to pre-polymerized films or adsorption of enzyme/polymer mixtures on
the surface.

Some more recently published articles on peroxidase-based electrochemical biosensors reported on
the combined use of organic semiconductors and innovative technology from areas like nanotechnology
and sensor printing. Li et al., for instance, transferred the HRP/PPy system with an incorporated
mediator coating to screen-printed carbon paste electrodes and thereby fabricated a disposable hydrogen
peroxide biosensor for low sample volumes of down to 1 μl [122]. Qian et al. reported on the generation
of microporous PPy films for HRP immobilization [123]. They adsorbed SiO2 spheres of defined size
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on gold surfaces and electrogenerated a PPy film on top, followed by etching of the silica template,
thus generating homogeneous PPy films with a pore diameter of 180 nm. Subsequently, a mixture of
HRP and chitosan was electrochemically co-deposited in the pores and hydrogen peroxide could be
detected in absence of a mediator. Further approaches for preparation of micro- or nanostructured
polymer films for HRP-based biosensors involved the generation of oxygen microbubbles during
PPy electrogeneration on stainless steel [124], as well as the use of a nanoparticulate polyaniline
derivative for electrodeposition [125]. Zhu et al., on the other hand, deposited an HRP/PPy layer
on top of a layer of single wall carbon nanotubes and reported a 50 times increase in sensitivity for
hydrogen peroxide compared to a system employing graphite powder (Table 1) [126]. The authors
used this setup in combination with GOx for sensitive determination of glucose in serum samples.
In 2007, Setti and co-workers presented an approach for combining organic electronics with enzyme
immobilization by thermal inkjet technology [127]. They printed an organic conductive ink made of
poly(ethylenedioxythiophene) (PEDOT) on an ITO-covered glass and subsequently printed an HRP-ink
on top. Although the biosensor had to be covered in a cellulose acetate membrane in order to avoid
leaching of the layers and a mediator was required for a sensitive hydrogen peroxide detection, this
technology is a promising step towards completely printed peroxidase-based biosensors that can be
also exploited for the fabrication of sensor arrays on various materials.

3.3. Heme-Peptide Complexes

Several heme proteins including hemoglobin and myoglobin were shown to exhibit a
pseudo-peroxidase activity when immobilized on electrode surfaces where usually reduction of
the heme iron initiates a Fenton-type reduction of hydrogen peroxide. Respective studies have also
been conducted with gold nanoparticles on ITO [128] or TCO nanomaterials like ZrO2 nanoparticles,
TiO2 nanotubes and nanosheets [129–131]. Only a few reports exist on the electrochemical properties
of the initially hemoglobin-derived mimochromes, none of them analyzing the electrocatalysis of
peroxidase-like reactions [61,132]. However, in 2014, Vitale et al. employed mesoporous ITO electrodes
for immobilization and spectroelectrochemical analysis of FeIII- and CoIII-mimochrome VI [133].
The authors observed a direct electrochemical communication of heme and electrode, thus paving the
way for a potential application of engineered heme-peptide complexes as catalysts in mediator-free
electrochemical biosensors.

Microperoxidases, on the other hand, were extensively used as catalysts in electrochemical
biosensors, some of which also involved semiconducting electrode materials. In 1991, Tatsuma et al.
seamlessly followed up on their work with HRP and were the first to immobilize a microperoxidase
on a TCO for sensing of hydrogen peroxide [134]. Again, APTES-modified SnO2 served as electrode
support onto which MP-9 was covalently attached via glutaraldehyde. The authors reported an
almost ten times higher surface coverage of MP-9 compared to HRP and in contrast to the natural
enzyme, electrocatalytic reduction of hydrogen peroxide by MP-9 was already observed at potentials
of +300 mV vs. Ag/AgCl in absence of a mediator. Both effects were attributed to the significant size
reduction of the heme catalyst. On the other hand, the sensitivity of the MP-9 modified electrodes
was with 9 × 10−4 A cm−2 M-l, almost 50 times lower than that of HRP on SnO2 (Table 1). The linear
range was shifted to higher concentrations (>1 μM) making this sensor attractive for the analysis
of different samples. Using the same system, the authors also designed a biosensor for imidazole
and derivates based on the inhibiting effect of these compounds on the direct reduction of hydrogen
peroxide by MP-9 [135]. Astuti et al. too extended their spectroelectrochemical studies of HRP on
poly-lysine modified mesoporous SnO2 to microperoxidases [136]. The authors reported a 30 times
higher surface coverage of the heme-peptide than obtained with the natural enzyme with more
than 90% of the molecules being electroactive. Here, the sensitivity of the MP-11 electrode towards
hydrogen peroxide reduction was almost four times higher than that of HRP on SnO2 (Table 1).
However, in contrast to HRP and the MP-9 system developed by Tatsuma et al., Astuti and co-workers
proposed a Fenton-like reaction mechanism. Later, our group pursued a similar approach when
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we adsorbed MP-11 in mesoporous ATO electrodes modified with the positively charged binding
promotor polydiallyldiammonium chloride [137]. Although we as well observed an almost ten
times increase in surface coverage, the sensitivity was seven times lower compared to dgHRP on
mesoporous ATO (Table 1), which at least in part can be attributed to formation of six-coordinated
low-spin MP-11 as verified by resonance Raman spectra. Still, we observed formation of high-potential
reaction intermediates demonstrated via hydrogen peroxide reduction at potentials below +450 mV
vs. Ag/AgCl. A comparable behavior was observed for MP-11 in a three-dimensional layer-by-layer
assembly of the heme-peptide and gold nanoparticles on APTES-modified ITO [138]. Tian et al. as
well combined both materials and fabricated microstructured silica on an ITO surface with gold
nanoparticles electrodeposited inside the cavities in order to immobilize MP-11 via covalent coupling
to a mercaptobenzoic acid SAM [139]. The SiO2 cavities enhanced the electron transfer as well as the
sensitivity for hydrogen peroxide reduction though in this system, the latter was observed only at
negative potentials. Renault and co-workers performed extensive spectroelectrochemical analyses
of MP-11 in porous ITO and TiO2 with respect to the MP-11-catalyzed electrocatalytic reduction of
molecular oxygen and used it as a model compound for thorough investigations of electron and charge
transfer processes in porous TCO electrodes [67,140–142]. Much less attention on the other hand
has been directed to combinations of microperoxidases and organic semiconductors for biosensor
construction. Korri-Youssoufi et al. transferred the well-established HRP/PPy-system to MP-8 and
reported a calculated limit of detection for hydrogen peroxide of 3.7 nM [143].

Additionally, microperoxidase/semiconductor systems have also been used for the electrochemical
detection of other compounds than hydrogen peroxide, including glucose via combination with glucose
oxidase [144] or nitric oxide [145]. Recently, Ioannidis et al. presented an approach for the detection
of the antimalarial drug artemisinin where MP-11 was adsorbed to a film of surfactant-modified
mesoporous SnO2 on ITO [146]. Ferrous MP-11 catalyzes the cleavage of an organic peroxide within
the artemisinin molecule, which leads to heme re-oxidation, thus invoking an enhanced electrocatalytic
reduction current proportional to the concentration of the drug in solution (Figure 7).

Figure 7. Artemisinin (ART) sensing by MP-11 on mesoporous SnO2. (a) Schematic representation of
MP-11 immobilized on didodecyldimethylammonium bromide (DDAB) modified SnO2 film electrodes
causing the electrocatalytic reduction of ART. (b) DPVs of the sensor after the addition of increasing
ART concentrations in 10 mM NaH2PO4 pH 7 buffer at a scan rate 0.1 V s−1. Reprinted from Ioannidis
et al., 2019 [146]. Published by the Royal Society of Chemistry.

3.4. Hemin and Other Fe-Porphyrins

Due to the aforementioned inherent peroxidase activity of the heme cofactor, hemin and other types
of Fe-porphyrins have been widely used as catalysts for the electrochemical determination of the typical
peroxidase substrates hydrogen peroxide [44,147,148] or phenolic compounds [149] as well as other
substances like superoxide [150], and peroxynitrite [151]. In addition, the MP-11-based artemisinin
sensor mentioned in Section 3.3 was initially developed using hemin as the peroxide reducing catalyst
adsorbed on TiO2-modified silica [152]. The here achieved sensitivity for the target was almost two
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orders of magnitude higher compared to the MP-11-system. Other TCO-based electrochemical sensors
with hemin involved its immobilization on SiO2-modified iron oxide particles [153] or mesoporous
SnO2 on ITO grafted on a polyethylene terephthalate support, creating a flexible sensor for hydrogen
peroxide [154]. The latter approach was further modified by the same group around Topoglidis
using Metglas ribbons as support, thus enabling electrochemical as well as magnetoelastic sensing of
hydrogen peroxide [155]. Unfortunately, the peroxide determination had to be performed at negative
potentials in these systems, although some previous studies on gold and carbon have demonstrated
that the direct electrocatalytic reduction of hydrogen peroxide by immobilized hemin can proceed at
high potentials similar to heme peroxidases [44,148,156].

Combinations of TCOs with Fe-porphyrins have mainly been used for photocatalytic approaches.
Amadelli et al. performed solution studies on the photooxidation of cyclohexane and cyclohexene
by an Fe-porphyrin covalently linked to APTES-modified TiO2 [157]. The authors proposed that
the ferrous porphyrin formed upon illumination reduces oxygen to reactive oxygen species like
superoxide which then are involved in the oxidation of the organic substrates. A few years later, they
presented an interesting modification to their system by employing a silane-modified Fe-porphyrin
for direct covalent coupling to a TiO2 film on glass [158]. Spectroscopic analyses showed reduction
of the iron center which could be reversed by oxygenation. Furthermore, they could demonstrate
that the photooxidation of cyclohexane proceeded more efficiently and selectively in presence of the
porphyrin than in its absence. The group of Meyer reported multiple studies on the photoinduced
reaction of hemin on nanocrystalline TiO2 with organohalide pollutants like chloroform [159–162].
The authors spectroscopically followed the light-induced reduction of the iron center and reported that
the ferrous catalyst was stable in the dark for days. In 2015, Gu et al. reported on the fabrication of a
photoelectrochemical sensor for hydrogen peroxide employing hemin adsorbed on nanoporous NiO
modified ITO [163]. Substrate determination was performed via photocurrent generation at -0.05 V
vs. Ag/AgCl and the sensor was also successfully tested in real samples like milk or pharmaceutical
eye drops.

The higher stability of Fe-porphyrins in organic solvents and in presence of various conducting
salts compared to polypeptide catalysts offers more possibilities for its electrodeposition on a transducer
surface. The catalyst can either be incorporated into a polymer matrix or it can be employed as a
monomer itself. Peteu et al. entrapped hemin in a PEDOT film electropolymerized on carbon fiber
electrodes and investigated its use as sensor for peroxynitrite [164]. Later, the authors employed
the direct polymerization of hemin at oxidizing potentials up to 1.3 V vs. Ag/AgCl, presumably
proceeding via its inherent vinyl groups, but observed a 50 times lower sensitivity for peroxynitrite [151].
Most studies on directly polymerized heme catalysts though involve Fe-porphyrins that have been
chemically modified e.g., with dimethyl ester, phenyl, pyrrole, or thiophene groups with the resulting
films being used for the detection of superoxide, nitrite, and nitric oxide [45,46,48,165]. However, studies
about the conversion of classical peroxidase substrates by these kinds of electrocatalytic polymers
are rare. Schäferling et al. observed a concentration-dependent influence of 2,4,5-trichlorophenol on
the cyclic voltammograms of an Fe-porphyrin-substituted bithiophene polymer in dichloromethane
but did not pursue this approach for the fabrication of a sensor [47]. Recently, our group analyzed
the electrocatalytic reduction of hydrogen peroxide by thienylated Fe-porphyrins co-polymerized
with EDOT on glassy carbon electrodes [166]. For the first time, we also implemented a Hangman
porphyrin as catalyst and were able to demonstrate its superior catalytic behavior in terms of reduction
onset and sensitivity for hydrogen peroxide at high potentials as shown in Figure 8 and Table 1.
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Figure 8. Hydrogen peroxide sensor based on electropolymerized Fe-porphyrins operating at moderate
potentials in aqueous solution. (a) Schematic illustration of a co-polymer film of thienylated Fe-Hangman
porphyrin and poly(ethylenedioxythiophene) (PEDOT) deposited on glassy carbon. (b) Linear sweep
voltammograms of the porphyrin/PEDOT films before and after addition of 5 mM hydrogen peroxide at
a scan rate of 2 mV/s. (c) Amperometric response of the porphyrin/PEDOT films to increasing hydrogen
peroxide concentrations at 0.2 V vs. Ag/AgCl. Measurements were performed in 100 mM phosphate
buffer, pH 7, at a stirring speed of 300 rpm.

Table 1. Performance of selected sensors for hydrogen peroxide based on natural peroxidases or
peroxidase mimics immobilized on semiconductors.

Electrode Setup Eappl (V)
Measuring
Conditions

LR
(μM)

Sensitivity
(mA M−1 cm−2)

Reference

A: HRP

HRP/APTES/SnO2 0.15 pH 5.9, Med. 0.01–1 50 [14,134]
HRP/PLL/mpSnO2 −0.2 pH 8 1–20 1070 [102]

dgHRP-His6/mpATO 0.2 pH 7.4 5–20 73 [38]
Nafion/HRP/ZnO/ITO −0.2 pH 7.4 500–9000 7.45 [90]

HRP/Chi-AOB/GC −0.11 pH 7 1–121 1.44 [91]
HRP-ZnO-chitosan/GC −0.2 1 pH 7, Med. 10–1800 n.d. [89]
HRP/APTMS/npTiO2 <−0.3 *1 pH 7 100–1,500 2864 * [99]

Nafion/HRP-TiO2/Gr/Au −0.3 1 pH 7, Med. < 400 1090 [100]
HRP/SnO2/GC −0.3 1 pH 6 10–250 ≈215 * [84]
TiO2/HRP/GC −0.15 1 pH 7, Med. 80–560 488 [87]

HRP in PPy/pyrographite 0.01 1 pH 7 50–1750 0.024 * [109]
HRP in PPy/SnO2 0.15 pH 6.4/7.4 0.01–10 n.d. [110]

HRP in PPy/SWCNT/Au −0.1 pH 6.8 0.5–1000 430 [126]
HRP in PPy/SPCP −0.3 pH 7, Med. 100–2000 33.2 [122]

HRP/PANI/Pt 0.2 1 pH 6.8 1–8 * n.d. [117]
HRP/PANI/MWCNT/Au −0.35 pH 7 86–10,000 194.9 [118]

HRP+polythiophene/SnO2 0.4 - 0.05–0.5 n.d. [115]
HRP/PEDOT-PSS/ITO −0.1 1 pH 6.5, Med. <1000 0.54 [127]
B: Microperoxidases

MP-9/APTES/SnO2 0.15 pH 7.4 > 1 0.9 [134]
MP-11/PLL/mpSnO2 −0.2 pH 8 0.05–30 4300 [136]

MP-11/PDADMAC/mpATO 0 pH 8 10–750 10.6 [137]
[MP-11/PEI]2/ITO 0 1 pH 6.3 25–125 2.14 [144]

[MP-11/AuNP]5/ITO 0 1 pH 7.3 100–1000 * 92 [138]
MP-11/npSiO2-Au/ITO −0.3 pH 7 2–600 1075 * [139]

MP-8 in Ppy/GC −0.1 1 pH 7.4 1–9 * - [143]
C: Fe-porphyrins

Fe3O4-SiO2-Hemin/GC −0.4 1 pH 7 1–160 1662 * [153]
Hemin/SnO2/ITO-PET −0.3 pH 7 1.5–90 n.d. [154]
Hemin/SnO2-metglas −0.4 pH 7 2–90 3191 * [155]

Hemin/npNiO/ITO −0.05 pH 7 0.5–500 n.d. [163]
Fe-porphyrin-PEDOT/GC 0.2 pH 7 50–550 35.2 [166]
Fe-Hangman-PEDOT/GC 0.2 pH 7 50–1000 86.6 [166]

Note: Potentials refer to Ag/AgCl, those marked with 1 refer to SCE. * Values have been estimated by the authors of
this review. LR-linear range, Med.–Mediator, n.d. – not determined.
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4. Summary and Conclusions

The coupling of enzymes with transducer surfaces plays a key role in the fabrication of biosensors.
Expanding the spectrum of both, the electrode material as well as the biocatalyst, also extends the
range of opportunities for adapting the system to the specific requirements of its application. Table 1
summarizes parameters of some of the afore-mentioned systems designed for hydrogen peroxide
sensing based on the natural enzyme HRP, microperoxidases as well as hemin and other Fe-porphyrins
coupled to semiconductor materials.

On average, the systems did not outperform those employing classic electrode materials. On
the contrary, most sensors operated at higher concentration ranges with sensitivities considerably
lower than e.g., HRP on graphite [167–169] or dgHRP on polycrystalline gold [103]. High charging
currents as well as a pronounced direct reduction of hydrogen peroxide by the semiconductor matrix
impede the measurements. Furthermore, it must be considered that the three-dimensional surface
architecture of many TCO- and polymer-based systems is often not considered for current density
calculations, thus resulting in higher sensitivities when the geometrical area is used instead. For
several systems employing heme peroxidase mimics, a better sensitivity towards reduction of hydrogen
peroxide compared to HRP was obtained as shown in Table 1. However, only a few operate at similarly
high potentials, thus truly mimicking the enzymatic reaction via Compounds I and II. Furthermore,
the mimics often exhibit higher apparent Km values, reflecting in part a lower affinity to the substrate,
resulting in higher linear ranges of the sensors. Though semiconductor materials might not be a
lucrative alternative in terms of sensor performance, they in return offer new possibilities for the
fabrication as well as read-out of peroxidase-based sensors. Transparent materials enable more facile
spectroscopic analyses of the immobilized catalyst in the visible range of the spectrum, and thus an
easier control of its active state. Immobilization on TCOs further enables the photoinduced initiation
of the peroxidase reaction cycle either via direct oxidation of the catalyst or via in situ generation of
hydrogen peroxide by TCOs as well as a photo-enhanced detection of hydrogen peroxide.

Especially organic semiconductors bear a high potential for novel ways of biosensor construction.
Conducting polymers together with enzymes form bioink formulations and various printing techniques
enable their deposition in microstructured format on materials that can be transparent, flexible, or
magnetoelastic, thus further extending their field of application [170]. Here, the replacement of natural
enzymes by engineered nature-derived or fully synthetic mimics also offers new ways for the facile
integration of the catalysts which has been already accomplished for various peroxidase mimics. In this
context, the de novo design of peroxidase mimics with integrated functional groups using techniques
like solid-phase peptide synthesis or complex organic chemistry is especially attractive. This way,
catalysts optimized with respect to their immobilization and/or reactivity can be created as has been
aspired e.g., for fully synthetic microperoxidases, the four-helix bundle heme protein MP-3 [171] or
Hangman porphyrins. All these heme peroxidase mimics have a great potential for future application
in sensors which can just be expanded by their combination with semiconductor materials in organic
smart devices.
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Abstract: Nowadays, electrochemical biosensors are reliable analytical tools to determine a broad range
of molecular analytes because of their simplicity, affordable cost, and compatibility with multiplexed and
point-of-care strategies. There is an increasing demand to improve their sensitivity and selectivity, but also
to provide electrochemical biosensors with important attributes such as near real-time and continuous
monitoring in complex or denaturing media, or in vivo with minimal intervention to make them even
more attractive and suitable for getting into the real world. Modification of biosensors surfaces with
antibiofouling reagents, smart coupling with nanomaterials, and the advances experienced by folded-based
biosensors have endowed bioelectroanalytical platforms with one or more of such attributes. With this
background in mind, this review aims to give an updated and general overview of these technologies
as well as to discuss the remarkable achievements arising from the development of electrochemical
biosensors free of reagents, washing, or calibration steps, and/or with antifouling properties and the ability
to perform continuous, real-time, and even in vivo operation in nearly autonomous way. The challenges
to be faced and the next features that these devices may offer to continue impacting in fields closely
related with essential aspects of people’s safety and health are also commented upon.

Keywords: electrochemical biosensors; real-time; continuous operation; reagentless; reusable;
calibration-free; antibiofouling

1. Introduction

The availability of technologies for tracking the levels of specific molecules in real time in food production
lines or in the living body would revolutionize various applications involved in aspects of people’s life
safety and physical health, such as clinical diagnosis, food analysis, or environment monitoring [1,2].

However, other than for glucose, point-of-care molecular testing (POCT) is largely restricted
to lateral-flow dipstick tests, a technology that is often hard to adapt to multiplexed detections and
quantitative measurements [3]. Even so, this technology is making great strides and some methods do
allow analyte quantification [4,5].

Motivated by overcoming these limitations and with the aim of improving the adaptation to the
real world, electrochemical biosensors, i.e., those incorporating a biological molecule (enzyme, antibody,
oligonucleotide, peptide, etc.) as recognition element, pursue features other than high sensitivity and
selectivity. These aimed characteristics imply near real-time and continuous monitoring “at home” of
molecular targets directly in complex or denaturing media, even under flowing conditions after minimal
intervention. Successful meeting of these challenges requires the development of electrochemical devices
with antibiofouling properties that are reagentless, single-step, no-wash, and calibration-free.
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The great advances in recent years regarding the modification of electrode surfaces with
nanomaterials and antibiofouling reagents as well as the irruption of folding-based biosensors have
led to the development of electroanalytical bioplataforms filling many of these attributes. They allow
the continuous, real-time, in situ measurement of specific molecules directly in flowing complex food
samples [6], biological fluids [3,7–9], or even in the bodies of awake [10,11] and free moving individuals.

With this background in mind, this review aims to give an updated overview of the main
technologies and recent advances involving electrochemical biosensors free of reagents, washing,
or calibration steps, and/or with antifouling properties useful for performing the determination
of relevant molecular targets in untreated complex samples or after minimal pre-treatment both
in vitro and in vivo. As far as we know, this is the first review that critically and jointly discusses the
achievement of these outstanding attributes in electrochemical biosensing.

2. Continuous, Real-Time Electrochemical Biosensors: Towards Antibiofouling, Reagentless,
No-Wash, Single-Step, Reusable, and Calibration-Free Devices

Electrochemical biosensors exhibit distinct advantages compared to other biosensors, such as
a lack of the high complexity of the sensor setup and the high cost. They are also robust, easy to
miniaturize or multiplex, involve low-cost and portable instrumentation, and provide low detection
limits even when small sample volumes are available. Furthermore, they can be used to analyze turbid
fluids with optically absorbing or fluorescing compounds.

Electrochemical biosensors have evolved as attractive tools to perform single or multiplexed
determinations of molecular targets in a simple, affordable, and decentralized way. Although they
are constantly seeking higher sensitivity and specificity, in addition, they search other particularly
challenging attributes essential to make the reality of their marketing and implementation in the real
world to come true.

Currently, scientists are more and more aware that the single-handed pursuit of the sensitivity
and accuracy cannot meet the demands of many in situ or POCT circumstances, especially in the
fields of clinical diagnosis, food analysis, and environment monitoring. Increasing attention is focused
on simplifying their operation and reducing detection time by developing no-wash electrochemical
sensors, which make them more suitable for application in the in situ and POCT circumstances [1].

In addition, the ability to monitor specific molecules in real-time would greatly enhance the understanding
of diseases as well as their early detection, monitoring, and treatment, thus helping to achieve the promise
of personalized medicine. Moreover, triggering of timely countermeasure actions in the food safety and
environmental fields would be expected. However, to achieve these goals, sensors must: (i) provide relevant
selectivity, precision, and sensitivity; (ii) operate continuously with no sample preparation, batch processing
(such as washing steps), or addition of exogenous reagents; and (iii) be insensitive to biofouling such as the
detrimental accumulation of proteins and blood cells on the sensor surface [12].

Furthermore, the development of quantitative single-step and calibration-free biosensors is
particularly relevant for sensors deployed in vivo to minimize the variability of their fabrication
and baseline drift. The willingness to control test conditions and perform calibrations is not only
inconvenient but impossible in these operating conditions [13].

The electrode surface modification with antibiofouling reagents, the rapid growth of nanoscience
and nanotechnology, and the great advances experienced by folded-based biosensors and in the detection
strategies have imparted upon electrochemical biosensors these highly pursued attributes. The remarkable
characteristics achieved by electrochemical biosensors beyond sensitivity and selectivity are discussed below
based on representative examples selected from recent literature and summarized in Table 1 to provide an
overall picture. They are grouped in the following sections according to the more remarkable attribute
exhibited. However, it is worth noting that many of these biosensors have additional features with great
practical relevance. The important advances provided by wearable devices for real-time electrochemical
biosensing have been extensively reviewed in the last few years [14–19] and are not discussed in this article.
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2.1. Electrochemical Biosensors with Antibiofouling Properties

The impressive opportunities and capabilities that electrochemical biosensors offer for the
monitoring of a wide variety of molecules in situ in complex or biological fluids over a prolonged
period of time are limited by the gradual passivation of the (bio)sensing surface due to the nonspecific
accumulation of macromolecules present in such matrices. These biofouling issues reduce the direct
contact of the target analyte with the electrode surface, hampering the electron transfer, and may severely
affect the sensitivity, reproducibility, stability, and overall reliability of the resulting (bio)sensors [29].
Therefore, the development of biosensors with antibiofouling properties able to keep their performance
after direct/prolonged incubation in complex and protein-rich media has encouraged the utmost
interest. In order to do this, the sensing interfaces are modified with several kinds of antifouling
materials, such as poly(ethylene glycol) (PEG) and oligo(ethyleneglycol) (OEG). Although these are
considered as the “gold standard” materials, they show various defects such as their oxidative damage,
poor water-solubility, and low protein resistance at high temperature. Peptides have come up as
possible alternative antifouling materials in electrochemical affinity biosensors [30–32], providing
additional advantages of biocompatibility, tunable and simple structure and synthesis [24].

Among all the strategies currently available to develop antibiofouling surfaces, the modification
of electrode substrates with different biomaterials, including monolayers, transient polymeric coatings,
or multifunctional peptides, is particularly attractive and promising. These strategies have been
recently reviewed [29], and, therefore, this section discusses only remarkable features of a limited
number of selected methods.

A wide variety of monolayers that exhibit biofouling properties have been reported in the last
decade [12,20,21,33–51].

In this context, binary monolayers involving thiolated nucleic acid capture probes (SHCP)
and MCH self-assembled onto gold electrodes display unspecific background contributions, due to
incomplete backfilling, and irreproducibility, which is attributed to the presence of surface defects
and heterogeneity in the distribution of SHCP strands. This unspecific background negatively affects
the performance of binary monolayers in complex biofluids and the storage stability of the resulting
modified surfaces due to the displacement of SHCP by MCH [52].

Recent research has shown that a judicious design of thiolated surface chemistry involving binary
or ternary mixed monolayers, prepared by co-assembling or sequential assembly (noted by “/” or “+”,
respectively, in their nomenclature) of the components, or the use of tetrahedral DNA nanostructures
(TDNs), has led to electrochemical nucleic acid biosensors with substantially better antibiofouling
properties and analytical characteristics as compared to conventional SHCP+MCH binary monolayers.
This is the case, for example, of binary layers prepared by bringing SHCP into p-aminothiophenol
(p-ATP) monolayers previously subjected to potential cycling at acidic pH [49], or layers prepared
by attaching amino-functionalized capture probes (NH2-CP) to p-mercaptobenzoic acid (p-MBA)
SAM-modified electrodes (Figure 1a) [48].

Pioneering work by Dharuman’s group described simultaneous control of probe orientation
and surface passivation by ternary mixed monolayers prepared by sequential immobilization of
thiolated ss-DNA probes, MCH, and mercaptopropionic acid (MPA) as diluents, also achieving higher
hybridization and discrimination efficiencies due to the distance among anchored ssDNA probes.
Moreover, MPA was demonstrated to be more effective than MCH in reducing unspecific adsorptions,
due to the generated hydrogen bonds between MPA and MCH, and by placing the DNA strands
perpendicularly to the electrode surface [53].
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Figure 1. Schematic illustration of three different antifouling thiolated monolayers: (a) layers prepared
by attaching NH2-CP to p-MBA SAM-modified electrodes, (b) ternary SHCP/HDT+MCH layers, and (c)
layers prepared with TDNs. Reprinted from [29] with permission.

Wang’s group were pioneers in preparing ternary DNA SAM-interfaces by co-immobilizing a
short (cyclic or linear) dithiol with the SHCP, followed by assembling MCH. The ternary interfaces
provided significantly larger signal-to-blank ratios (~100-fold improvement) than the common binary
SHCP+MCH SAMs [20,21,36,54]. Results obtained with different lineal dithiols (dithiothreitol, DTT,
1,3-propanedithiol, PDT, 1,6-hexanedithiol, HDT, and 1,9-nonanedithiol, NDT) showed that the SAMs
formed with PDT and HDT exhibited better analytical performance due to the preferential lying-down
orientation adopted by these linear dithiols. The dithiol lying down configuration minimized
nonspecific adsorptions while maintaining SHCP favorable orientation and good permeability of small
signaling molecules when compared to the compact surface coverage obtained with the ternary DTT
SAM, which resulted in higher signals. The smaller signals observed at interfaces modified with NDT
were attributed to the lower amount of attached SHCP [20].

The SHCP/HDT+MCH layers (Figure 1b), assembled onto photolithography-prepared Au
electrode arrays [20] or gold screen-printed electrodes [21], exhibited better storage stability than
the binary SHCP+MCH layers, and excellent resistance to fouling after 24 h incubation in undiluted
human serum and urine. The as-prepared biosensors allowed direct measurement of target nucleic
acid concentrations at pM levels in these raw liquid biopsies.

TDNs are assembled on a gold surface through the reproducible immobilization of four especially
designed ss-DNA strands, which constitute the six edges of a DNA tetrahedron. Thiol linkers are
used at the ends of three component strands, and a linear sequence at the fourth vertex at the top
of the bound tetrahedron is left pendant to anchor bio-probes (Figure 1c) [55,56]. This simple, rapid,
and high yield one-step process leads to rigid, stable, and reproducible scaffolds adequate for anchoring
recognition probes in an upright orientation, spatially segregated, and far away from electrode surfaces,
in a solution-phase-like environment ensuring optimal hybridization without requiring a subsequent
backfilling step [57]. These tetrahedral DNA nanostructured scaffolds exhibited higher stability
and affinity and are less-susceptible to non-specific adsorptions than those fabricated with single
point-tethered oligonucleotides [58].

Cell membrane-mimicking phosphatidylcholine (PC)-terminated monolayers are also an attractive
option to prepare antibiofouling electrochemical biosensors. PC head-groups mimic the fouling
resistance of eukaryotic cellular membranes by strongly binding water to produce a hydration layer
that forms a barrier against protein or cell non-specific adsorption. These PC-terminated SAMs can be
relatively short, thus supporting rapid electron transfer [12].

The use of biocompatible pH-sensitive transient polymer coatings has been recently exploited by
Wang´s group to develop electrochemical biosensors that exhibit antibiofouling properties and good
performance after prolonged incubation in complex biological fluids or media with denaturing pH
values [22,23]. The method is based on the use of commercial biocompatible polymers sensitive to pH
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and of controlled dissolution, which are deposited on the (bio)sensor surface temporarily protecting it
from undesirable adsorption processes during its prolonged incubation in the biological fluid of interest.
The dissolution of these temporary methacrylate-based coatings can be controlled by varying the
density and/or thickness of the deposited polymer layer, which allows leaving the “intact” (bio)sensing
surface exposed only at the desired moment (Figure 2).

Figure 2. Schematic display of the methodology involving the use of biocompatible pH-sensitive
transient polymer coatings to impart electrochemical biosensor antibiofouling properties. Figure drawn
based on [22].

This strategy was applied to a four working electrodes-multisensing platform coated with different
layers of Eudragit L100 polymer (which dissolves at pH ≥ 6). The sensing platform exhibited excellent
operational characteristics in terms of reproducibility and controlled coating dissolution/tunable
sequential actuation (0, 2, 4, or 6 h) of the individual electrodes. Monitoring was carried out by cyclic
voltammetry with the [Fe(CN)6]4−/3− redox system. The practical usefulness of this antibiofouling
strategy was demonstrated with glucose enzyme biosensors, allowing the sequential enzymatic
actuation every 2 h (0, 2, 4, or 6 h) and the direct glucose monitoring in untreated blood and saliva
samples over prolonged periods (2 h) without compromising the sensitivity of the biosensors [22].
The excellent antifouling properties imparted by the temporary coatings allowed coated biosensors
to maintain 100% of the initial response after 2 h of incubation in these complex biological fluids in
comparison with the 65–70% lost observed for the unmodified biosensors.

The unique advantages imparted by pH-responsive protective coatings were also exploited to
ensure enzyme activity in media of denaturing pH values to develop edible electrochemical biosensors
(based on carbon-paste prepared from olive oil, activated charcoal, and glucose oxidase) with remarkable
prolonged resistance to extreme acidic conditions for glucose sensing in gastrointestinal fluids [23].
The active surface of the edible biosensors was modified with commercial polymers such as Eudragit E
PO or L-100, which are dissolved at pHs ≤ 5.0 or ≥ 6.0, respectively, for dissolution in gastric fluid
(pH between 1.5–5) or intestinal fluid (pH 6.5). The combination of edible olive oil-carbon pastes and
transitory coatings preserved the catalytic activity of biomolecules in strongly acidic gastrointestinal
fluids and protected the active surface of the biosensor from nonspecific adsorptions, allowing the
dissolution/tuning activation of the biosensor selectively in gastric or intestinal fluids at previously
fixed times.
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Some peptide sequences have shown good antifouling performances. However, complicated
chemical reactions or self-assembling on metal surfaces like Au are usually employed for their
immobilization at different surfaces, and they need additional reagents to block the peptide-modified
interface [24]. To overcome these disadvantages, Song et al. [24] have recently proposed the preparation
of an antifouling biosensor for the determination of both aminopeptidase N (APN) and human
hepatocellular carcinoma cells (HepG2 cells). The preparation of the biosensor involved a GCE
modified with electrodeposited poly (3,4-ethylenedioxythiophene) (PEDOT)-citrate film and the use
of a multifunctional peptide with anchoring, antifouling, and recognizing abilities (Figure 3). In the
designed three-in-one peptide, one end is a unique anchoring part rich in amine groups to allow its
covalent immobilization using carbodiimide/succinimide (EDC/NHS) chemistry on GCE/PEDOT-citrate.
The other end is the recognized part for target molecules, while the middle and the anchoring sides
are designed to be antifouling. The as-devised biosensor showed, using DPV in the presence of
[Fe(CN)6]4−/3−, antifouling properties after incubation in different charged protein solutions and
human serum, as well as high sensitivity for the determination of the target analytes with detection
limits of 0.4 ng mL−1 and 20 cells mL−1 for APN and HepG2 cells, respectively, in human urine.

Figure 3. Electrochemical biosensor with antibiofouling properties for the determination of APN and
HepG2 cells involving the immobilization of a multifunctional peptide onto a GCE modified with a
PEDOT-citrate film. Reprinted from [24] with permission.

It is also important to note at this point that the electrochemical switch-based biosensors have
demonstrated to be less prone to fouling because of their transduction mechanism (this issue is
discussed in more detail in the next section) [59,60].

2.2. Reagentless, No-Wash, Single-Step, Near Real-Time, and Reusable Electrochemical Biosensors

In the field of reagentless, real-time, and continuous monitoring, folding-based electrochemical
biosensors have a fundamental role [59–62]. Recently, we have comprehensively reviewed the main
features of this particular type of electrochemical biosensors [60]. Therefore, this section deals only
with the relevant aspects within the context of this review article and addresses some methods that
have emerged very recently.

Switch-based electrochemical biosensors use biomolecular switches, DNAs, aptamers, or peptides
that reversibly change between at least two conformations in response to the specific binding of a
wide range of molecular targets. The switches are modified with a linker for their immobilization
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on an interrogating electrode and at least one redox-active reporter [59,60]. The enzyme-free
conformation-linked signal transduction mechanism relies on the target binding induction of a change
in the conformation of the probe, which alters the efficiency with which the redox reporter transfers
electrons to the electrode. This produces an easily measured signal, using common electrochemical
techniques, which makes these biosensors rapid (often reaching effective equilibrium in seconds),
drastically simple, and quite insensitive to nonspecific adsorption and response variability [63].

They can be classified as electrochemical DNA (E-DNA) [6,8,25] aptamer (E-AB) [2,3,7,9,10,26],
and peptide (E-PB) [27] biosensors, and electrochemical biosensors for ion determination (E-ION) [28].
They have targeted the single or simultaneous determination [10,25,64–66] of a great number of
significant analytes (DNAs, polymerase chain reaction amplification products, proteins, hormones,
autoantibodies, drugs, toxins, adulterants, explosives, ions, and other biologically relevant molecules),
and provide LODs as low as aM-fM for target DNAs [8,67,68], and pM for autoantibodies [69] and
proteins [70], with compliance with threshold values and current regulations.

An illustrative example is shown in Figure 4, where the scheme of a recently reported E-DNA
sensor for the multidetermination of three HIV-diagnostic antibodies in human serum [25] is displayed.
The comparison of the biosensor performance with those of gold standard serological techniques
shows that this strategy merged the quantitation and multiplexing of ELISAs with the convenience
and speed of dipsticks.

 

Figure 4. E-DNA sensor developed for the multiplexed determination of HIV-diagnostic antibodies
using a nucleic acid “scaffold” anchored on one end to an electrode and presenting both a redox reporter
and a specific epitope on the other. When the targeted antibody is not present, the DNA scaffold
efficiently transfers electrons to the gold electrode, the electron transfer being reduced due to steric
hindrance upon antibody binding (a); the square wave voltammetric signals obtained in the absence
and in the presence of the targeted antibody (b). Reprinted and adapted from [25] with permission.

Other interesting characteristics exhibited by this type of electrochemical biosensors include near
real-time response, wash-free, reagentless, and single-step operation, reusability, and autonomous
and selective enough read-outs. They were applied in multicomponent and protein-rich samples
(blood serum, saliva, urine, seawater, soil suspensions, and foodstuffs such beer and milk). In addition,
they have been operated in continuous mode in flowing undiluted samples (milk, blood, and secretions
released by immune cells [26]) or even in situ within the living body (Figure 5) [2,3,10–12].
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Figure 5. E-AB sensor implanted in the jugular of rats to monitor drug levels in vivo. Reprinted and
adapted from [11] with permission.

Other remarkable appealing characteristics and challenging achievements of these biosensors
include their stability after storage for more than one week in room-temperature blood serum [6,61,71],
their capability to respond to ups and downs in analyte concentration within seconds or minutes in a
reversible way even in flowing complex samples without invoking reagents (which may contaminate
the sample/product stream, or batch processing) [61,72], and their integration into microfluidic systems
(Figure 6) [9,26].

It is important to mention that the great advances in nanotechnology and nanomaterials have
allowed the development of other no-wash electrochemical biosensors apart from the folded-based
ones [1,73,74]. However, they display some limitations that hamper their real-world application,
such as signal drifting due to the change in environmental conditions, and electrode surface passivation
and contamination after exposure to samples.

Indeed, although they are little more than a decade old, the rational and relentless research on
switch-based electrochemical biosensors, mainly by Plaxco’s group, has imparted these biosensors with
additional attributes. As it is discussed in the following section, they have proved to be able to operate
in flowing highly complex samples with the required accuracy and without the need for calibration.
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Figure 6. Schematic display of the microfluidic sensing platform using E-AB sensors for the dynamic
monitoring of interferon-γ (IFN-γ) and tumor necrosis factor-α (TNF-α) from immune cells (a), and the
experimental setup for the real time detection of cocaine in continuously flowing, undiluted blood
serum using a E-AB sensor constructed onto a microfabricated MECAS chip (b). Reprinted and adapted
from (a) [26] and (b) [9] with permission.

2.3. Calibration-Free Biosensors

To achieve acceptable accuracy, electrochemical biosensors require calibration to correct for
sensor-to-sensor fabrication variation and sensor drift. This requirement of calibration or recalibration
several times a day (commercial continuous glucose monitors) has proven to be one of the significant
hurdles limiting the widespread use of biosensors, decreasing convenience and increasing sensor
complexity and cost and opportunities for errors, leading in turn to inappropriate clinical action [2,7].
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The overcoming of this limitation is even more important and more complex for continuous, in vivo
monitoring due to the drift invariably seen in sensors operating in situ within the body over many
days. Under these challenging operation conditions, in-factory calibration has proven to be insufficient
to assure clinical accuracy and reagent-using on-device autocalibration is impractical [7].

Calibration-free operating E-AB biosensors have been reported using two different ratiometric
strategies: (1) the “dual-reporter” approach initially proposed by Ellington and coworkers [75] and (2)
the “dual-frequency” operating method developed by Plaxco´s group [7]. Both strategies use as readout
unit-less ratiometric values that are largely independent of sensor-to-sensor fabrication variation
(attributed in this particular kind of biosensors to variations in electrode surface area and aptamer
packing density) and sensor degradation. They overcome the irreproducibility of electrochemical DNA
sensors and obviate the need for calibrating each individual sensor without scarifying sensitivity or
selectivity. Importantly, both approaches are easily adaptable to nearly any electrochemical system
that undergoes a change in its electron transfer kinetics in response to a target binding, and they may
be employed in situ in the living body where calibrations are particularly difficult from a practical
point of view [7].

The “dual-reporter” strategy uses the ratio of the signal output provided by two different reporters
(named as sensing and reference reporters), which are interrogated independently at non-overlapping
redox potentials (Figure 7a) [2,75]. Conversely, the “dual-frequency” operating mode uses as output
the ratio of peak currents collected at responsive and non- or low responsive square-wave frequencies
(Figure 7b) [3,7].

Plaxco’s group demonstrated the potential of the “dual-frequency” interrogation strategy to
develop calibration-free E-AB biosensors, exhibiting good accuracy and precision for the continuous
measurement of two drugs in flowing whole blood over the course of hours, despite the significant
drift observed in the absolute current recorded with the sensor [7]. The same group recently exploited
this strategy to construct a calibration-free E-AB sensor for determining phenylalanine levels in
blood compatible with POCT applications [3]. This biosensor can be deployed on screen-printed
electrodes and allows the rapid (<10 min) determination of clinically relevant phenylalanine levels
with an accuracy of ±20%, and specificity when challenged to in finger-prick-scale volumes of diluted
unprocessed blood, thus offering the possibility to perform at-home measurements as an advance to
personalized medicine.

Plaxco et al. also reported an E-AB biosensor combining the “dual reporter” approach [75]
with drift-eliminating surface passivation using a phosphatidylcholine monolayer (Figure 7a) [12].
The biosensor was employed to perform calibration-free in vivo measurements of ATP or kanamycin
using sensors placed in situ in the jugular veins of live rats over multi-hour measurements [2].
The “sensing” reporter (methylene blue, MB), was placed on the probe distal terminus and, therefore,
the produced current was strongly modified by the conformational change associated with target
recognition. The second, “reference,” reporter (anthraquinone, AQ) was placed in a position that
responded differently to the presence of the target and served as an internal reference to correct the
sensor-to-sensor variability. The use of a PC-terminated SAM (a phosphatidylcholine alkanethiolate
derivative from 2-methacryloyloxyethyl phosphorylcholine) was largely responsible of the good
biosensor functioning in vivo, allowing the elimination of the often severe-baseline drift observed in
biosensors placed in the living body for long periods. It should be noted that the use of PC-terminated
SAMs as backfilling agent demonstrated to be advantageous compared to the hydroxyl-terminated ones
(the traditionally employed 6-mercapto-1-hexanol, MCH), lowering the baseline drift from around 70%
to a 10% after 12 h in flowing whole blood in vitro or in situ in the veins of live animals. The method
achieved precision in the micromolar range over many hours without invoking physical barriers
(membranes or fluid sheaths to prevent cells from approaching the sensor surface, that increase the
sensor bulk and slow sensor response times) or active drift-correction algorithms that require the
collection of additional data at each time point, thereby degrading the time resolution.
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Figure 7. Schematic display of calibration-free E-AB biosensors based on “dual-reporter” (a) and
“dual-frequency” (b) strategies. Reprinted and adapted from [2] (a) and [7] (b) with permission.

3. Opportunities, Impact, Challenges, and Future Insights

With the aim to enhance the market adaptation and acceptance of electrochemical biosensors,
significant progress has been made recently in the development of bioplatforms able to support
continuous, real-time measurements of molecular biomarkers in unprocessed and/or flowing
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samples involving reagentless and single-step processes that are quantitative, easily multiplexed,
and user-friendly for deployment at the POCT.

These advances have come hand in hand with rational modification of electrode surfaces with
antibiofouling reagents (monolayers, transient polymeric coatings, or multifunctional peptides) or
nanomaterials, and with relentless research into switch-based electrochemical biosensors and their
coupling to ratiometric detection techniques.

According to the methods summarized in Table 1, one can deduce that there are
electrochemical biosensors:

i. Able to achieve high sensitivity and selectivity when defied punctually in multicomponent and
protein-rich samples or continuously in flowing undiluted samples.

ii. Capable of responding to ups and downs in analyte concentration within seconds or minutes in a
reversible way and without batch processing or addition of exogenous reagents.

iii. Insensitive to biofouling and stable after storage for more than one week in room-temperature
blood serum.

iv. In ingestible formats coupled to transitory commercial polymer coatings with remarkable
prolonged resistance to complex media of denaturing pH values such as gastrointestinal fluids.

v. Integrated into microfluidic systems to monitor cell secretions.
vi. Deployed on screen-printed electrodes to provide rapid and accurate determinations when challenged

to in finger-prick-scale sample volumes, suitable for application in POCT circumstances.
vii. Able to minimize the variability of the sensors fabrication and baseline drift and provide the

required accuracy when operating continuously in vivo without the need for calibration, invoking
physical barriers or using active drift-correction algorithms, thus surpassing main limitations of
the commercial continuous glucose monitors.

We postulate these outstanding features beyond sensitivity and selectivity allow us to envision
molecular detection moving away from complex, multi-step, benchtop assays towards direct, single-step
devices (such as the home glucose monitor). These attributes will boost translational progress of
electrochemical biosensors beyond the well-controlled laboratory benchtop into areas such as clinical
diagnostics and field-portable devices and gain ground on other cumbersome methodologies to provide
unprecedented quality control, safety monitoring, and clinical diagnosis even in resource limited areas.
These impressive developments are decisive to deploy in vivo determinations, where the tuning of
assay conditions is not so much inconvenient as it is impossible.

These biosensors, competitive to gold standard molecular detection techniques as referred to
clinical sensitivity and selectivity, are deemed to merge the quantitation and multiplexing of ELISAs
with the convenience of use by nonspecialized user and speed of dipsticks, thus significantly improving
current molecular detection. The detection limits achieved with ELISAs also come at a significant cost
in terms of time, workflow, and equipment overhead that renders them not suitable for application at
the POCT.

Compared to lateral-flow assays, which until recently have only given a binary output (“yes/no”)
and request the user to read the test at an exact time, advanced electrochemical biosensors do not
require a fixed readout time window, match them in terms of ease of use and surpass them in terms of
the clinically relevant information they provide. Electrochemical bioplatforms provide quantitative and
objective readout, thus giving a more precise picture of the tackled problem and allow the possibility
to establish reliable clinical cut-off values. Moreover, unlike the dipsticks, which per design and
per ease of use cannot integrate more than a few test lines, electrochemical biosensors are easily
multiplexed to increase clinical sensitivity. However, there are many reasons why, so far, quantitative
multiplexed biosensors are not popular and widespread in the market as lateral flow systems. Firstly,
the interest in multiplexed determination to improve the reliability of the diagnostics is relatively
recent. Secondly, multiplexing bioplatforms can be designed through two different approaches:
using multielectrode arrays where each immunoreagent is attached to each electrode, or by means
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of barcode configurations involving a unique electrode platform and different electroactive labels
with dissimilar electrochemical properties for each analyte. While multi-electrode arrays require
complex and independent n-channel electrochemical workstations, the barcode approach makes
use of distinct electroactive labels capable of generating appropriate and distinguishable signals at
different potentials in a single amperometric or voltammetric scan. Unfortunately, the number of
different electroactive labels with dissimilar electrochemical properties is quite limited. Therefore,
the development of low-cost, custom designed, and field-portable multiplexed potentiostats and
the use of novel nanomaterials and/or electroactive probes producing independent electrochemical
signals is required. In addition, multiplexed quantitative bioplatforms should be adopted by the
individual user in a clinical environment. This, in turn, requires both the identification and clinical
validation of new and reliable signatures of biomarkers for each particular application and what is
more, laboratory personnel gains familiarity with the new methodologies, and medical personnel
themselves expand their knowledge to implement the technology and produce trustworthy results
interpretation. Moreover, since the identified biomarkers panel could comprise biomarkers with high
differences in the threshold levels, additional efforts should be focused on developing electrochemical
biosensing strategies suitable to simultaneously determine biomarkers at very different concentration
levels and both of genetic or protein nature.

Despite the great strides made, other research efforts should also be devoted to couple
electrochemical biosensing devices with nanozymes and implementation on paper-based substrates.
These advances would impart unprecedented opportunities upon electrochemical biosensors in terms
of cost, stability, and eco-friendliness, and would allow us to face them with a large number of samples,
multi-determination of several analytes, and continuous quantitative analysis for long times, by different
users and in different environments beyond the well-controlled laboratory benchtop. Furthermore,
although advanced sensors are envisioned to be a part of many more emerging technologies such as
wearable devices, significant development stemming from multidisciplinary efforts in material sciences,
electrochemistry, biophysics, biology, and pharmacology will be needed. Funding of innovative R&D
and productive collaboration between universities, research centers, companies, and end users should
also be enhanced to face up to the continuous evolving market demands.

Other attributes worth pursuing include tuning the concentration range (matching the specificity
window of the receptor with the expected range of target concentrations in a given application) and
the selectivity (minimizing cross-reactivity with close structural analogues of the targeted molecule)
of biomolecular receptors through the rational adaptation of two strategies employed by nature,
structure-switching and allosteric control, and expanding the variety of analytes to be detected by
exploring other type of receptors in switch-based electrochemical biosensors.

In summary, although there are still several bottlenecks to overcome and we must be aware that
there are no yet many commercially available electrochemical biosensors, the intense work performed
and in due course to push the outstanding and unique opportunities they provide brings us closer and
closer to this point. This will aid with having devices designed on demand, which will end up offering
any attribute we can imagine while requiring less and less attention to do their job. The great promise
they offer to largely simplify and speed up molecular detection makes electrochemical biosensors
particularly appealing to support a broad range of applications while considerably improving our
quality and way of life.

We hope this review will help newcomers to the field catch up with the current state of the
art technology and will stimulate new researchers to join those with long experience in this field to
continue to work on bringing out their full potential.
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Abstract: Electrochemical biosensors benefit from the simplicity, sensitivity, and rapid response of
electroanalytical devices coupled with the selectivity of biorecognition molecules. The implementation
of electrochemical biosensors in a clinical analysis can provide a sensitive and rapid response for
the analysis of biomarkers, with the most successful being glucose sensors for diabetes patients.
This review summarizes recent work on the use of structured materials such as nanoporous metals,
graphene, carbon nanotubes, and ordered mesoporous carbon for biosensing applications. We also
describe the use of additive manufacturing (AM) and review recent progress and challenges for
the use of AM in biosensing applications.
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1. Introduction

In comparison with other methods of detection such as optical, spectroscopic, and chromatographic,
electrochemical sensors possess advantages such as simplicity, rapid response times, and high
sensitivity [1]. Electrochemical sensors can be easily adapted for the detection of a wide range of
analytes and can be incorporated into robust, portable, low cost, minituarized devices that can be
tailored for particular applications [2]. Taking advantage of these attributes and the incorporation
of highly specific biological recognition elements (enzymes, nucleic acids, cells, tissues, and so on),
electrochemical biosensors are capable of selectively detecting a broad range of target analytes.
As defined by IUPAC, electrochemical biosensors are “self-contained integrated devices, which
are capable of providing specific quantitative or semi-quantitative analytical information using a
biological recognition element (biochemical receptor), which is retained in direct spatial contact with
an electrochemical transduction element” [3]. Bioelectrochemical sensors are used in environmental
monitoring, healthcare, and biological analysis, among others. Depending on the recognition process,
biosensors can be subdivided into two main categories: affinity and biocatalytic sensors. Affinity
sensors operate via selective binding between the analyte and the biological component (i.e., antibody
and nucleic acid) [4]. In contrast, biocatalytic devices incorporate enzymes, whole cells, or tissue slices
that recognize the target analyte, and subsequently produce an electroactive species [5].

The first biosensor was described by Clark and Lyons in 1962 [6]. This biosensor was composed
of an oxygen electrode, an inner oxygen semipermeable membrane, and a thin layer of glucose
oxidase (GOx, EC 1.1.3.4) entrapped by a dialysis membrane. The decrease in the level of oxygen
was proportional to the concentration of glucose resulting from the enzyme catalysed oxidation
of β-D-glucose to β-D-glucono-δ-lactone [7]. Since this pioneering work, extensive efforts have
been made to develop electrochemical biosensors for a wide range of analytes. Bioelectrochemical
sensing devices have been effectively transferred from the laboratory to the point-of-care (POC)
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with global sales growing from less than $5 million per annum [8] thirty years ago to over $18
billion in 2018. Although commercial systems are available for a range of small molecules (lactose,
uric acid, cholesterol, lactate, ketone, and so on), the market is dominated by glucose sensors, with
approximately 90% of the market associated with glucose monitoring for diabetes [9]. Diabetes mellitus
is one of the leading causes of death and disability in the world [10]. It is a metabolic disorder that
causes insulin deficiency and hyperglycemia, resulting in blood glucose concentration deviating
from the normal range of 3.9–6.2 mM [11]. According to the International Diabetes Federation (IDF),
the number of diabetic patients increased from 151 million in 2000 to 415 in 2015. The IDF also
predicted that the number of diabetic patients would increase to 642 million in 2040, with diabetes
becoming the seventh-leading cause of mortality [12]. Commercial home use blood glucose sensors
generally detect glucose in the concentration range of 1.1–33.3 mM with test times of less than 30 s [4].
GOx is widely employed as the recognition element in glucose biosensors owing its relatively low
cost, high selectivity, and stability [13]. First and second generation sensors rely on the immobilization
of the enzyme onto an electrode surface. As the redox active centers of GOx are at least 13–18 Å
from the electrode surface, mediators are employed to shuttle electrons between the electrode surface
and enzyme’s active site [14]. The direct oxidation of GOx occurs in third generation sensors, where
the enzyme is specifically wired to minimize the distance between the active site of the enzyme
and the electrode surface. Despite the considerable progress that has been made, the majority of
commercial glucose sensors are based on second generation glucose sensors. The vast majority of
commercial devices utilise blood samples obtained via a finger prick. The development of glucose
biosensors based on the detection of glucose in fluids such as tears [15], saliva [16], and sweat [17]
has been described. Such systems face challenges, in particular the poor correlation between glucose
levels in blood and in other fluids and also significantly lower concentrations of glucose in fluids such
as tears. Individually optimized designs must be developed [18] for commercially viable sensors,
where challenges such as low cost, ease of manufacture, robustness, and portability are additional
factors for consideration [19].

In contrast, detection of larger biomolecules such as nucleic acids and proteins faces significant
additional challenges that include electrode fouling, non-specific adsorption of biological components
at the electrode surface, lack of sensitivity in the appropriate concentration range, and in particular
at low concentrations (femtomolar to attomolar) [8]. Commercial systems for the detection of
larger biomolecules are dominated by pregnancy tests that rely on the detection of human chorionic
gonadotrophin (hCG), a glycoprotein hormone secreted during pregnancy [20].

In this review, we describe recent advances on the use of materials as supports in electrochemical
biosensors, and in particular the use of materials such as nanoporous metals, graphene, carbon
nanotubes, and mesoporous carbon. Examples of the detection of clinically relevant molecules are
provided, with a focus on the detection of glucose. An overview of invasive and non-invasive glucose
monitoring with case studies is given. In addition, we discuss the use of additive manufacturing for
electrochemical sensing applications.

2. Electrode Materials

Owing to their intrinsic conductivity, biocompatibility, and ease of manufacture, high surface area
materials such as nanoporous gold, graphene, carbon nanotubes, and mesoporous carbon have been
used for the preparation of electrodes for bioelectrochemical applications.

2.1. Nanoporous Metal Electrodes

Nanoporous metals are 3D bicontinuous structures with tuneable pore diameters and lengths
that possess large surface areas, mechanical resistance, and high conductivity [21,22]. Although
nanoporous electrodes have been prepared using a range of metals such as copper, silver, and palladium,
the majority of research has focused on nanoporous gold (NPG) owing to its ease of manufacture,
chemical stability, and biocompatibility [23]. NPG is a 3D nanostructured material with pore sizes
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that can be tuned over the range 5 nm to greater than 2 μm [14]. The morphology of NPG is
generally characterised using atomic force microscope (AFM) and scanning or transmission electron
microscopy (SEM/TEM). The electrochemically addressable accessible surface area is evaluated by
measuring the roughness factor calculated from the charge associated with reduction of gold oxide
in 0.5 M H2SO4 solution and applying a conversion factor of 390 μC/cm2 [24]. NPG electrodes possess
good electrical conductivity, catalytic activity, high surface-to-volume ratio, permeability, chemical,
and thermal and mechanical stability [25,26], as well as properties of interest for a range of applications
including biocatalysis [27], nucleic acid sensors [28], enzymatic sensors [29], non-enzymatic sensors [30],
immunosensors [31], supercapacitors [32], enzymatic fuel cells [33], and so on.

Different methods have been studied for the controlled manufacture of nanoporous gold [33].
For example, using anodization methods, the 3D structure is generally formed by the anodization
of gold in oxalic acid at different applied potentials, which enables the formation of specific
nanoporous structures [34]. Recently, a NPG microelectrode was fabricated via electrochemical
anodization-reduction steps in 0.5 M H2SO4, exhibiting pore sizes in the range of 30–50 nm [35].
Although anodization of gold avoids the use of corrosive chemicals, the pore diameters are typically
ca. 20 nm in size [36], making it potentially difficult to achieve high loading of biomolecules. Another
route entails using hydrogen bubbles formed via the electrochemical reduction of H+ as the template [37].
Gabriella Sanzo et al. synthesized a gold nanocorals porous structure with an electroactive area 500 times
higher than a gold screen printed electrode that was used as the base substrate [38]. The nanocoral
electrode was modified with glucose oxidase for the development of an enzymatic biosensor based on
the detection of H2O2. The nanocoral electrode showed a sensitivity of 48.3 μA/mMcm2, two times
higher than that of the bare gold electrode. The hydrogen template produces materials with pore sizes
in the micrometer region. In order to overcome the limitation on pore size, other template routes can
be used. The hard template route usually involves two steps: assembly of monodisperse spheres,
then electrodeposition of the metal followed by removal of the hard template, where the diameter
and thickness of the porous structure are controlled in the range of 100–2000 nm [39]. The spatial
arrangement and size of the pores can be controlled using colloidal crystals as a template. For instance,
Szamocki et al. fabricated macroporous gold electrodes of different sizes for the electrochemical
oxidation of glucose with glucose dehydrogenase (GDH), with an enhanced electrochemical response
by more than one order of magnitude compared with planar gold electrodes [39]. Gamero et al.
immobilised lactate oxidase (LOx) on NPG with a pore size of 500 nm, with a linear response observed
up to a concentration of 1.3 mM [40].

An alternative approach relies on chemical dealloying of the less noble metal of an alloy, which
can be prepared by sputtering a gold-metal alloy onto a support or by using commercially available
gold alloys, for example “white gold”. During the dealloying process, atoms of the less noble metal
are detached from the surface and subsequently dissolved under the etchant conditions, forming
nanoporous structures. Different alloy systems including Au-Zn [41], Au-Ni [42], Au-Al [43], Au-Si [44],
and Au-Ag [45], have been used for the formation of nanoporous gold by dealloying the least noble
metal component. Au-Ag is the most commonly used owing to the ease of removal of silver, which
is generally removed under corrosive conditions (usually 70% nitric acid). In a systematic study,
different alloy compositions Ag70Au30, Ag50Au50, and Ag35Au65 were prepared (Figure 1 A–D) [46].
The silver content in the alloy Ag35/Au65 was too low to enable nanoporous structures to be formed.
A homogeneous distribution of nanopores was formed using the Ag70Au30 alloy. The thickness
and composition of the layer were controlled by the sputtering conditions, while the pore sizes
were controlled by factors such as the time period and the temperature of the process. For instance,
by varying the temperature and time of dealloying of a 100 nm thick Ag70Au30 alloy, the pore size
of the dealloyed sheets ranged from 4 to 78 nm, with a maximum surface area 44 times greater than
the geometric area [46]. NPG prepared using this approach exhibits a controllable pore size range
from 5 to 700 nm [47], a range sufficiently large to accommodate biomolecules. As with planar gold
electrodes, the surfaces of NPG can subsequently be modified. For example, carboxylic acid terminated
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diazonium salts were covalently attached onto NPG and the immobilization of fructose dehydrogenase
(FDH) was subsequently accomplished via crosslinking with CMC [48]. The sensor showed a linear
range of 0.05–0.3 mM, with a sensitivity of 3.7 μA/cm2 mM and a limit of detection (LOD) of 1.2 μM
with a fast response of less than 5 s. The linear range encompasses that observed in juices and the sensor
displayed excellent selectivity.

Figure 1. Schematic representation of the manufacture of nanoporous gold (NPG) electrodes with
(A) different layers and thicknesses, (B) sputtered glass sheet prior to etching, (C) formation of nanopores
after etching, and (D) the completed NPG electrode. Adapted from [46].

Wearable sensors have the potential to play a major role in the development of continuous
monitoring for glucose and other biomarkers in different fluids such as tears, saliva, interstitial fluids,
and sweat. Flexible NPG was prepared using an electrochemical dealloying approach. NPG electrodes
were further modified with lactate oxidase and bilirubin oxidase to develop a lactate/O2 enzymatic
fuel cell, which was successfully tested in artificial lachrymal fluids [33].

Matharu et al. described the fabrication of NPG with different pore sizes via dealloying of a
600 nm thick Au-Ag alloy to investigate DNA hybridization in the presence of biofouling species [49].
The thiolated capture probe DNA and its target DNA were used to investigate hybridization using
methylene blue as intercalator. In the absence of biofouling conditions, the accessibility of target DNA
increased with larger pores, resulting in higher signal suppression with maximum values of ∼70% of
that for a pore size of about 45 nm. However, in the presence of biofouling conditions, electrodes with
average pore sizes of 25–30 nm maximized the accessibility of target DNA as the pores were sufficiently
small to block the entrance of biofouling molecules. In contrast, larger pores were susceptible to
electrode blockage by biofouling, decreasing the biosensor performance.

Owing to the expensive nature of gold, electrodes have been manufactured using lower cost
non-noble metals such as Cu, Ni, Ti, or Fe [23]. However, the reproducible preparation of nanoporous
structures from such alloys needs to be addressed [50].
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NPG is the most widely used metal support used for biosensing, with reviews on the preparation
and application of nanoporous gold published recently [14,51]. The high surface area per volume,
biocompatibility, and the ability to prepare flexible electrodes make NPG an attractive material for
use with biological systems. However, the high cost of gold and the complexity of the manufacturing
process currently limit the applicability of NPG to research applications [43].

2.2. Carbon Based Materials

2.2.1. Graphene

Graphene is a flat sheet of two dimensional layer sp2 bonded carbon that is one atom
in thickness [52]. The carbon atoms are sp2 hybridized, with out of planeπ bonds that are responsible for
the high electrical conductivity of the graphene. Graphene is of interest owing to its high specific surface
area; electrical conductivity; and thermal, optical, and mechanical properties [53]. These remarkable
properties have potential applicability in electrochemical biosensors [54]. In comparison with more
traditional carbon materials, graphene has a large theoretical surface area (2630 m2/g) [55], higher
electrical conductivity (200 S/m) [56], and good mechanical strength (1.0 TPA) [57].

Graphene was first prepared via mechanical exfoliation of highly oriented pyrolytic graphite [52].
Other methods such as the exfoliation and cleavage of graphite, chemical vapor deposition, plasma
enhanced chemical vapor deposition, solution based reduction of graphene oxide (GO), and so on have
been reported [54]. Each of these strategies produces graphene material with different characteristics.
These methods focus on the production of large areas of single layers of graphene at low cost and high
scale. The primary obstacle to achieving single or a small number of graphene layers is to overcome
the strong, interlayer, van der Waal’s forces. To date, the most common approach to graphite exfoliation
is the use of strong oxidizing agents that yield GO, a non-conductive hydrophilic carbon material,
in a process known as Hummers method [58]. GO produced via this route can be reduced or used for
the immobilization of biomolecules. GO can be also obtained using an improved version of Hummers’
method, with a material that contains fewer defects in the basal plane [59]. Liu et al. reported a
glucose biosensor obtained via covalent immobilization between the carboxyl and amine groups of
GO and GOx, respectively [60]. A nanocomposite film based on chitosan-ferrocene GO (positively
charged) was used to immobilise negatively-charged GOx [61]. The biosensor showed a linear
response to glucose in the concentration rage of 0.02 to 6.78 mM, with a sensitivity of 10 μA/mMcm2

and an LOD of 7.6 μM. Using thermal, electrochemical, or chemical reduction processes to eliminate
oxygen-functional groups (ketone, epoxy, carboxyl, and so on) results in graphene with properties that
include excellent electrical conductivity, large surface area, and ease of functionalization. Furthermore,
residual functional oxygen groups are available for the immobilization of biomolecules [62].

However, owing to the lack of oxygen functional groups to anchor biomolecules, it is necessary to
functionalise graphene. Fenzt et al. anchored 1-pyrenebutyric acid onto graphene and an aptamer
against the coagulation factor thrombin was subsequently covalently attached [63]. The biosensor
displayed a limit of detection of 1 and 5 pM in buffer and serum, respectively. Lee et al. developed
a patch-based strip-type disposable sweat glucose sensor and microneedle-based point-of-care
therapy [64]. In addition to the detection of glucose, the wearable device consisted of stretchable sensors
for humidity, pH, and temperature. A mixture of graphene, GOx, and chitosan was drop cast onto a gold
working electrode, followed by Nafion®(Chemours, US) and subsequently glutaraldehyde to cross-link
the enzyme layer. The patch was reusable and could be reattached several times. The response for
the detection of glucose was corrected via simultaneous measurement of pH. When tested on human
subjects, pre- and post-prandial glucose levels correlated with those obtained using a commercial
glucose kit. Multiplexed biosensors aim to detect several target biomarkers by integrating a series of
sensors on a chip [65]. Such systems are of assistance for the correct diagnosis/treatment of specific
diseases. For instance, it was recently shown that lactate is the most important carrier for cancer
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cells and diabetic patients are prone to accumulate lactate in their tissue [66], and thus a multiplexed
biosensor that can be used to discriminate between diseases would be very beneficial.

Owing to the lack of functional groups to anchor biomolecules, pristine graphene has not been
extensively used as a biosensor. Functional doping of graphene with heteroatoms such as N, S, B, P,
and F is an excellent pathway to enhance electron transfer processes [63]. Among them, nitrogen-doped
graphene (NG) offers better electrochemical activity owing to the positive charge density in carbon
atoms adjacent to N dopants, enhancing the conductivity of the material [67]. A multilayer biosensor
containing GOx, nitrogen-doped graphene, chitosan, and poly(styrene sulfonate) was constructed
layer-by-layer [68]. The presence of NG decreased the charge transfer resistance of the assembly,
increased the interfacial capacitance, and provided a film matrix with significant charge separation.
The biosensor operated at a low potential of −0.2 V versus Ag/AgCl and exhibited a short linear range
between 0.2 and 1.8 mM. Nevertheless, the selective doping of N in specific sites is still a challenge
and further research needs to be performed for the development of more reproducible methods of
preparation. Reviews on the synthesis, characterization, and applications of NG have been published
recently [69,70].

To avoid the loss of electrochemical active area and irreversible π–π stacking aggregation, graphene
is generally combined with different nanomaterials (e.g., gold nanoparticles, polyaniline, carbon
nanotubes, chitosan, Nafion, methylene green, and so on) to enhance the sensitivity of detection [71].
Recently, a graphene thionine gold nanoparticles (AuNP) composite material was used as a paper-based
electrochemical immunosensor for the detection of the cancer antigen 125, a biomarker related to ovarian
cancer [72]. An impedimetric HIV-1 biosensor based on graphene-Nafion composite was reported.
The decrease in electron transfer resistance was proportional to the concentration of HIV-1 gene over
the concentration range 1.0·× 10−13 to 1.0·× 10−10 M and displayed a limit of detection of 2.3·× 10−14

M [73]. A third-generation glucose biosensor was fabricated using a graphene/polyethyleneimine/gold
nanoparticle for the immobilization of GOx using glutaraldehyde as a crosslinker. The biosensor
displayer a linear response to the concentration of glucose over the range of 1–100 μM with a sensitivity
of 93 μA/mMcm2 [74]. An enzymatic amperometric sensor based on a graphene/PANI/AuNPs
modified glassy carbon electrode was reported [75]. The adsorption of GOx facilitated direct electron
transfer between the modified electrode and enzymes. Although adsorbed enzyme molecules retained
their activity, the leakage of enzymes is a major drawback, a drawback that can be overcome by
encapsulation, otherwise covalent binding of the enzymes may be required. Conductive polymers
such as polyaniline, polythiophene, polyacetylene, and polypyrrole have been extensively used for
the entrapment of biomolecules. The thickness of the polymer film, and thus the barrier to diffusion,
could be controlled by tuning the deposition parameters [76]. Such polymer provides high conductivity,
biocompatibility, and high stability. For example, a glucose biosensor based on GOx immobilized
onto 3,4-ethylenedioxythiophene microspheres modified with platinum nanoparticles retained 97%
of its sensitivity after 12 days of storage at room temperature [77]. Owing to its high surface area,
high conductivity, and ease of functionalization, graphene has been used extensively as a platform for
the construction of a wide range of biosensors references [78], and it holds promise in the development
of biosensors for minimally invasive continuous monitoring in, for example, interstitial fluids. The main
source of graphene is graphite, which is inexpensive and readily available. However, issues with
the degree of biocompatibility of graphene have yet to be fully resolved. Additional challenges
include the development of robust biosensors that can function in a range of operating conditions
and the preparation of mechanically robust single-sheet graphene electrodes.

2.2.2. Carbon Nanotubes

Carbon nanotubes (CNTs) are one dimensional (1D) carbon tubes prepared by rolling a graphite
sheet of variable length and diameter. CNTs are light and possess a large surface area, excellent
conductivity, and good mechanical strength, together with chemical and thermal stability. Thanks to
these properties, CNTs can be used as transducer or nanocarrier in biosensors [79]. It has a theoretical
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surface area of 1315 m2/g, 50% of that of a single graphene sheet [80]. CNTs can be divided into two
main groups: single-walled nanotubes (SWNTs) and multi-walled nanotubes (MWNTs). SWNT is a
single layer nanomaterial formed by rolling a graphene sheet into a seamless molecular cylinder with
diameter and length ranging between 0.75–3 nm and 1–50 μm, respectively. MWCNT is composed of
at least two layers of graphite sheets, separated by approximately 0.42 nm, with a diameter ranging
from 2 to more than 100 nm [81].

Different routes have been developed for the manufacture of CNTs. The main method is chemical
vapor deposition (CVD), which is based on the decomposition of a carbon source gas at 600–1000 ◦C
producing CNTs. CNTs can be grown directly on the substrate at large scale and low cost. In spite
of the simplicity of the process, the use of a metal catalyst such as Co, Fe, Cu, Cr, and so on is
required, which can subsequently be incorporated into defects [82]. Another approach that uses
metals as catalysts is based on laser ablation, as reported by Smalley and co-workers in 1995 [83].
Carbon atoms from graphite and metal catalysts atoms are irradiated using high energy laser beam.
This method results in high purity materials with few defects, but is expensive with high levels of
energy consumption and is not practical for large-scale production. Another high-cost approach is
the arc discharge method [84], where CNTs are deposited onto a graphite cathode under the action of a
current in a vacuum reactor.

Although the structural integrity of enzymes is preserved via non-covalent functionalization,
the interaction between enzymes and CNTs is weak, resulting in leakage of the enzyme. This limitation
can be overcome by functionalizing the CNT surface or using nanoparticles or polymers for enzyme
immobilization [85]. Paolo et al. electrochemically grafted 2-aminoantrhracene diazonium salt onto
SWNCT-based electrodes that were further incubated in a solution of FDH [86]. The biosensor
displayed a linear range from 0.05 to 5 mM, a sensitivity of 47 μA/mMcm2, an LOD of 0.9 μM, and great
stability (90% of retained signal after 60 days). A Pt electrode was modified with a rGO/CNT/AuNPs
composite for the detection of lactate. At a potential of 0.2 V, the sensor had a wide linear range of 0.05
to 100 mM with high sensitivity (35.3 μA/mMcm2) and a low LOD (2.3 μM) [87]. A wearable glucose
biosensor was prepared by immobilizing GOx onto SWCNTs with Nafion®(Chemours, US), which
could detect glucose with a response time of less than 5 s [88]. The response to glucose was transmitted
to a smartphone using a wireless connection and a linear response to glucose over the range 0.05 to
1 mM was observed.

However, it is important to remark that toxic effects, mainly owing to the presence of metallic
impurities, can occur with CNTs. Further studies require the creation of biocompatible CNT-based
electrodes that can be addressed by adding dialysis bags [89] or by coating with biocompatible polymers
(e.g., chitosan, collagen, Nafion®(Chemours, US), and so on) [90]. CNTs have been also successfully
tested for a wide range of biomolecules such as DNA [91], immunosensors [92], proteins [93], and other
biological molecules. Graphene and CNTs possess high thermal, mechanical, and electronic properties
and both materials can be produced on a large scale. However, the synthesis of CNTs is a high
cost process and usually involves the use of metal nanoparticles, which can be toxic, limiting its
potential use.

2.2.3. Ordered Mesoporous Carbon

Ordered mesoporous carbon (OMC) is a flexible material that provides interconnected channels
for the diffusion of electroactive compounds in electrochemical systems. OMC possess high specific
surface area; large and open porous structure; high conductivity; and excellent chemical, thermal,
and mechanical stability [94]. OMC can be synthesized via catalytic activation of carbon precursors,
carbonization of the blends of one thermosetting precursors and one thermally unstable polymer,
and carbonization of organic aerogels. Nevertheless, the resulting mesopores have abundant micropores
and a wide pore distribution [95].

A more reliable pore size distribution with a symmetric ordering can be obtained through a template
method, which can be subdivided into two categories: hard and soft-templating. In hard-templating,
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the pore size is controlled using a mesoporous silica template that controls the pore size. Other templates
such as nickel oxide can also be used. The overall process involves the impregnation of the pores of
the template with a carbon source (e.g., sucrose, ethylene, furfuryl alcohol), followed by polymerization
and carbonization upon pyrolysis. Dissolution of the silica in HF or alkaline solution results in a
mesoporous carbon replica. The largest used mesoporous silica are the hexagonal SBA-15 and cubic
MCM-48 materials, leading to CMK-3 and CMK-1 respectively [94]. The structure of CMK-1 is
dependent on the carbon precursor used. CMK-3 exhibited a highly ordered hexagonal packed
mesopores interconnected owing to the presence of micropores. The process for the formation
of OMC via hard-templating is schematically represented in Figure 2A. The pore arrangement of
CMK-1 carbon replicas resulted in a more accessible structure owing to the more favorable rate of
diffusion of reactant molecules during catalytic processes [96]. CKM-1 modified with an ionic liquid
showed a good electrocatalytic response for the direct oxidation of dsDNA with a detection limit of
1.2 μg/mL [97]. A CMK-3 was used for the construction of alcohol and glucose biosensors, based
on alcohol dehydrogenase and glucose oxidase [98]. To date, the majority of OMC biosensors rely
on the use of CMK-1 and CMK-3 [94]. Other mesoporous ordered silica have been used as a hard
template for the synthesis of OMC. For instance, a 1D-carbon nanotube array, designated as CMK-5,
was synthesized when the channels of SBA-15 were partially filled [99]. The covalent immobilization
of GOx was performed using a 4-nitrophenyl functionalized CMK-5, exhibiting a linear response over
the range of 1–14 mM [100]. The electrochemical response of the sensor was reduced by 6% after one
month of storage.

Figure 2. Two typical methods for the preparation of ordered mesoporous carbon materials:
(A) the nanocasting strategy from mesoporous silica hard templates and (B) the direct synthesis
from block copolymer soft templates. Adapted from [95].

The hard-template route requires the use of expensive reagents for the impregnation of the template
and toxic reagents such as HF for the selective removal of the silica template. Besides, it is a
time-consuming and multi-step complex process and, consequently, the manufacture of OMC at high
scale is not suitable [101]. Efforts have been made for the development of OMC at cost-effective
approaches with controllable pore size. Via soft-templating, OMC is obtained via self-assembling
of supramolecular aggregates of carbon precursors (thermosetting agents such as phenolic resin or
resorcinol-formaldehyde mixtures) and an amphiphilic copolymer surfactant (F127, CTAB, P123,
and so on) as a template (Figure 2B) [102]. The carbon precursor was polymerized to form a highly
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cross-linked composite, followed by the template removal and carbonization. The direct process
is simple, cost-effective, and suitable for large-scale industrial applications [103]. Using F127 as a
soft-template, a GOx-based biosensor displayed a linear concentration range from 5 to 100 mg/mL [104].

More recent developments are focusing on the preparation of OMC with large mesopores
and graphite walls. A hierarchically porous partially graphitic carbon membrane with
three-dimensionally networked nanotunnels was used as a monolithic electrode matrix for
the construction of a glucose biosensor [105]. The nanotunnels (~40–80 nm in diameter) are composed
of partially graphitic carbon with ordered mesoporous (~6.5 nm in diameter). The carbon material
was subsequently modified with polydopamine and decorated with AuNPs for the immobilization
of GOx. The biosensor displays an LOD of 4.8 pM, which is four orders of magnitude lower than
conventional nanostructured enzymatic glucose sensors.

High surface volume and ordered mesoporous make OMC an interesting material for biosensing,
although they still suffer from a number of limitations. The removal of silica or polymer requires
the use of HF, NaOH, or high temperature [106]. OMC materials are usually powdered materials
and the use of a binder is required in order to improve the mechanical stability that can be tackle with
the development of continuous OMC directly attached onto the electrode surface. Finally the majority
of studies to date rely on the use of CMK-3 or CMK-1, materials that are not suitable for production on
a large scale. Future studies require the development of alternative OMC materials that could provide
the same advantages of graphene or carbon nanotubes.

3. 3D-Printing Technology

Additive manufacturing (AM) or three-dimensional printing is an emerging eco-friendly
technology that holds promise to revolutionize the fabrication process. AM is based on layer-by-layer
deposition of materials onto a substrate capable to manufacture geometrically complex objects
in a one-step digitally controlled process [107]. 3D-printed devices are manufactured in a highly
flexible manner with fast process times, generating minimum waste while offering precise replication
and reducing constraints of creativity. In contrast, conventional technologies require complex,
expensive machinery and tools (drilling, milling, and so on) [108]. The specific applications
and requirements (material, composition, transparency, and so on) of the printed device define
the most suitable 3D-printer technology. To date, various 3D-printing processes have been examined,
including fused deposition modeling (FDM), inkjet and polyjet printing, and selective laser melting
(SLM) [109], for the development of biosensors. A summary of the processes, printable materials,
build volume, advantages, limitations, and printers, as well as cost and printing effectiveness, has been
recently described [110,111]. The main applications of 3D-printing technology in the development of
electrochemical biosensors are based on the development of fluidic platforms, electroactive, and catalytic
surfaces and the manufacture of structures that include 3D-electrodes, flow channels, and auxiliary
structures such as microneedles [112].

In comparison with traditional techniques for the manufacture of thin or thick electrodes (focused
ion beam milling, electron-beam lithography, photolithography, and screen-printing), AM holds
promise in overcoming issues such as high equipment and process costs. Screen-printing is a commonly
used approach in the preparation of electrodes. In contrast to screen-printing, AM minimizes
the consumption of materials to be printed, and thus reduces waste. AM also allows for the formation
of small sized electrodes and the deposition of biomolecules with high spatial resolution. To date,
the majority of 3D-printing methods use stainless steel owing to its cost-effectiveness and its passivated
surface. In order to make 3D-printed stainless steel suitable for electrochemical sensing, the steel needs
to be coated with another metal (Au, Bi, IrO2, Pt, and so on) [109]. For instance, Ambrosini et al. used
selective laser melting for the manufacture of 3D-printed stainless steel electrodes, which were then
modified with three different catalysts via electrodeposition [113]. A similar approach was also reported
by Pumera and co-workers on the use of 3D-printed helical-shaped stainless steel electrodes that were
subsequently electroplated with gold [114]. Gold-plated 3D-printed electrodes were utilized as a

257



Sensors 2020, 20, 3561

platform for DNA hybridization with different target DNA sequences (Figure 3). Upon hybridization
with complementary DNA, the biosensor displayed a linear response over the range of 1–1000 nM.
The selectivity of the sensor was examined using a non-complementary DNA sequence, resulting
in a similar electrochemical response to the probe DNA owing to ineffective levels of hybridization.
DNA biosensors require the selective discrimination of single-nucleotide polymorphism [115], and thus
further investigations of 3D-printed biosensors are needed.

Figure 3. Schematic representation of the preparation of DNA biosensor. The thiolated DNA
was covalently immobilized onto a gold-plated 3D-printed helix electrode. The modified electrode
was then incubated with a DNA target, and the electrode was then exposed to methylene blue.
Adapted from [114].

3D-printed metal electrodes are expensive and offer a limited electrochemical potential window
that can restrict applications in biosensing. Carbon-based materials are more attractive materials
owing to reduced costs. Carbon nanotubes, graphene, and carbon black are commonly used for
the development of 3D-printed electrodes. However, 3D-printed carbon electrodes suffer from
poor electrochemical performance as the carbon material is combined with polymeric binders, often
in the presence of surfactants [116]. The presence of high levels of binder leads to printing issues
owing to the high viscosity and tackiness of the ink, whereas low concentrations of binder may result
in film cracking [117]. Different methods have been used to improve the electrochemical performance
by removing the protective polymer of the top layer and exposing the carbon materials to solvents
such as dimethylformamide or by electrochemical activation. Using both methods can enhance
the electrochemical performance [118]. Katseli et al. described a carbon black/PLA electrode modified
with GOx and Nafion®(Chemours, US) [119]. The glucose biosensor relied on the detection of H2O2

and exhibited a linear response over the range of 2–28 mM. A 3D-printed graphene/PLA was modified
with AuNPs and horseradish peroxidase for the electrochemical detection of hydrogen peroxide
at 0.0 V versus Ag/AgCl via direct electron transfer [120]. The biosensor was used to detect H2O2

in human serum and had a stable response after 7 days of incubation. A 3D-printed graphene/PLA
was treated with DMF before the immobilization of GOx by crosslinking with glutaraldehyde [121].
The biosensor relied on the use of ferrocene-carboxylic acid as mediator for the indirect detection of
H2O2 generated from the enzymatic reaction and was utilised for the detection of nitrite and uric acid
in human saliva and urine respectively. A review on 3D-printed electrochemical sensors has recently
been published [122].

4. Conclusions and Future Perspective

Electrochemical biosensors can be readily incorporated into miniaturized, portable devices.
Although biorecognition elements provide reliability and good analytical performance, they can suffer
from disadvantages such as high cost, short lifetime, and low levels of stability. The preparation of
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more stable biorecognition elements using a range of genetic engineering approaches to overcome
these limitations is a major focus of current research. The development of structured materials
with properties tailored to the effective and selective immobilization of the biorecognition elements
will be needed for each particular system. The point of care detection of small molecules such
as glucose, lactate, cholesterol, and so on has been successfully demonstrated. However, the detection
of large molecules such as proteins and nucleic acids suffers from issues such as electrode fouling
and non-specific adsorption of biomolecules. Resolution of these issues would enable more widespread
use of electrochemical techniques. In the analysis of large biomolecules, low limits of detection
are required, levels that can be enhanced with the use of nanomaterials such as nanoporous gold,
graphene, or carbon nanotubes. The pore size of nanoporous gold can be tailored in the range 5 to
700 nm, a size range sufficient to accommodate large amounts of biomolecules. Nanoporous gold
possesses advantages such as high surface area, good conductivity, and biocompatibility that make it
an attractive material for biosensing. However, the complexity of the manufacturing process currently
limits the applicability of NPG to research applications. In comparison, the manufacture of carbon
nanomaterials can be performed at a relatively low cost. Graphene has enhanced sensitivity for a
wide range of biomolecules when compared with other carbon materials such as carbon nanotubes or
ordered mesoporous carbon. The unique properties of graphene (high conductivity, high surface area,
excellent mechanical properties, ease functionalization, and scalability) and the low cost of manufacture
make it an attractive material for the manufacture of biosensors. The use of graphene in non-invasive
biosensors can open up new applications in wearable sensors and personalized health. However, such
devices face challenges such as improved comfort and analytical performance.

Additive manufacturing has the ability to produce geometrically complex devices in a digitally
controlled process. Additive manufacturing methods have been used to prepare a range of structures
and electrodes. However, the exploitation of additive manufacturing is still at an early stage and further,
detailed investigations are required. For example, the immobilization of enzymes deep within pores
and channels may give rise to issues with substrate transport. The use of 3D-printed customized
microfluidic devices can potentially overcome such transport limitations. To date, the electrochemical
performance of 3D-printed electrodes shows diminished performance when compared with electrodes
manufactured using more established methods. The high cost of consumables and instrumentation
needed to prepare 3D-printed metal electrodes, and the difficulty in manufacturing porous structures,
will possibly limit applications in biosensing. 3D-printed carbon electrodes hold more promise owing
to their low cost, ease of fabrication, and suitability for large-scale production. To date, only a relatively
small number of biosensors based on 3D-printed electrodes has been reported. Further research is
required to produce 3D-printed electrodes at a large scale and with the performance required for
clinically relevant analytes.
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Abstract: In recent years, sulfur-containing nanomaterials and their derivatives/composites have
attracted much attention because of their important role in the field of biosensor, biolabeling, drug
delivery and diagnostic imaging technology, which inspires us to compile this review. To focus
on the relationships between advanced biomaterials and biosensors, this review describes the
applications of various types of sulfur-containing nanomaterials in biosensors. We bring two types
of sulfur-containing nanomaterials including metallic sulfide nanomaterials and sulfur-containing
quantum dots, to discuss and summarize the possibility and application as biosensors based on the
sulfur-containing nanomaterials. Finally, future perspective and challenges of biosensors based on
sulfur-containing nanomaterials are briefly rendered.

Keywords: sulfur-containing nanomaterials; metallic sulfide nanomaterials; sulfur-containing
quantum dots; biosensors

1. Introduction

As a by-product of oil refining and natural-gas purification, sulfur usually exists in the form
of sulfide, sulfate or elementary substance in nature and is one of most abundant elements [1–3].
Since the discovery of sulfur, research involving sulfur has always been at the center of scientific
research topics. Researchers have dedicated to exploiting the wide applications of sulfur. Until now,
sulfur has been important in our daily life with a wide variety of applications, such as vulcanization
of rubber, being cathode of rechargeable battery, raw material for fertilizer, insecticide, plastic and
gunpowder [1,4–6]. Under the right conditions, sulfur is also well-known to form compounds with
numerous other elements (e.g., lead, calcium or iron), and even form sulfur-containing nanomaterials.

A variety of sulfur-containing nanomaterials have been reported, such as metallic sulfide
nanomaterials, sulfur-containing quantum dots, sulfur-containing organosilicon compounds,
and lithium sulfide materials [7–10]. Sulfur-containing nanomaterials (e.g., metallic sulfide
nanomaterials and sulfur-containing quantum dots) exhibit excellent properties, such as nanometric
scale, water-dispersible, non-toxicity, excellent catalytic activity, conductivity, photoactivity and
fascinating optical properties, and they have proven useful in many biomedical applications
including imaging and sensing [7,8]. As known, metallic sulfide nanomaterials have been used
as photoactive materials which can generate photocurrent excited by light in biosensing systems. Some
sulfur-containing quantum dots can stably bind with biomolecules or other nanomaterials due to
their functional groups (e.g., amino, carboxyl and sulfhydryl groups) as common reaction sites within
biological systems. This allows their versatile roles as functional biomaterials in biosensor, biolabeling,
drug delivery and diagnostic imaging technology [7,11–13]. Moreover, some sulfur-containing
quantum dots (e.g., Ag2S quantum dots), exhibit high absorption in near-infrared (NIR) region,
which enables their applications in bioimaging, biolabeling, deep tissue imaging, diagnostics and
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photodynamic therapy [7]. In this review, we will summarize the most recent advances on the
applications of biosensors fabricated based on sulfur-containing nanomaterials and their composites
(Scheme 1). Since there are too many sulfur-containing nanomaterials, it is impossible to provide a
comprehensive overview of all sulfur-containing nanomaterials in a mini-review. Thus, we aim to
provide two categories of sulfur-containing nanomaterials, i.e., metallic sulfide nanomaterials and
sulfur-containing quantum dots. Concretely speaking, the metallic sulfide nanomaterials include
binary, ternary, quaternary and non-metallic/metallic hetero-sulfides. The sulfur-containing quantum
dots consist of sulfur, sulfide and sulfur-doped quantum dots. Firstly, we will briefly introduce
various kinds of metallic sulfide nanomaterials or sulfur-containing quantum dots and summarize
their synthetic approaches, respectively. Then, we will discuss the possibility as biosensors of the two
categories, respectively. We also summarize the applications of biosensors based on metallic sulfide
nanomaterials or sulfur-containing quantum dots, respectively. Lastly, the future perspectives and
challenges of biosensors based on metallic sulfide nanomaterials or sulfur-containing quantum dots
are briefly rendered.

Scheme 1. A summary of sulfur-containing nanomaterials used as biosensors.

2. Metallic Sulfide Nanomaterials

2.1. Generalities

Metal sulfides contain chemical bonding of one or more sulfur atoms (S) to a metal (M) [7]. They can
be broken down into four main categories: binary, ternary, quaternary, and non-metallic/metallic
hetero-sulfides, which can be denoted by the chemical formulas of MxSn, MxM’ySn, MxM’yM”zSn and
MxAiBj . . . CkSn (A, B, C = non-metallic atoms), respectively. It should be noted that actually metal
sulfide nanomaterials also include metal sulfide quantum dots, which will be illustrated in the section
of “sulfur-containing quantum dots” below.

Binary sulfides. Binary sulfides (MxSn, e.g., MoS2, NiS, Cu2S, Bi2S3, CuS, SnS, In2S3 and
Ag2S) [14–18], containing one type of metal and S atom in their chemical formulas, have received
substantial attention for their applications in fields of sensing [19,20], photothermal therapy [21],
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antibacterial and antifungal activity [22], ablation therapy [23], optoelectronics [24], photovoltaic [25,26]
and magnetic device [27].

Among binary sulfides, transitional metal disulfides, such as ZnS, CuS, CdS, MoS2, WS2 and
NiS [19,28–32], have been widely studied during the past few years as new members of 2-dimensional
(2-D) family. The transitional metal disulfides are typical layered materials with sandwich-like
structures, where metal atoms sandwich between two layers of S atoms by strong chemical bonds and
two layers of S atoms are stacked together by weak van der Waals forces [25]. Similar to graphene,
graphene oxide and other 2-D materials, transitional metal disulfides are promising biosensing materials
due to their excellent properties, such as large active surface areas, and the suitable bandgaps. Large
active surface areas in their sandwich-like structure can provide abundant active sites to establish
particular bonds between layers and biological analytes, then target specific biomolecules, and finally
promote specific reactions on the surface of 2-D transitional metal disulfides. In addition, suitable
bandgaps endow transitional metal disulfides with advantageous optoelectronic properties, which
can improve sensitivity in electrochemical, electrochemiluminescence (ECL) and photoluminescence
(PL) biosensors.

Ternary sulfides. Ternary sulfides (MxM’ySn, e.g., Ni3In2S2, Ni3Tl2S2 and NiCo2S4 [33,34]) contain
two types of metals and S atoms in their chemical formulas. By changing the two types of metals, tuning
the atomic ratios of metal or S atoms, researchers have validated different properties of ternary metal
sulfides [35,36]. These ternary sulfides exhibit more flexible properties arising from their enhanced
chemical and structural freedoms. These increased freedoms endow ternary sulfides with more suitable
chemical and physical properties to satisfy a certain requirement, such as for more sophisticated
biosensors. The bandgaps of some ternary sulfides vary those of binary sulfides [37,38], and the
changed bandgaps make ternary sulfides more suitable for application in biosensors.

Quaternary sulfides. Quaternary sulfides contain three types of metal and S atoms in their
chemical formulas, which have common composition of MxM’yM”zSn where M, M’, M” = Zn, Cd, Mn,
Hg, Cu, Ge, Sn, Cd, Fe, Co or Ba [39–44].

Non-metallic/metallic hetero-sulfides. Non-metallic/metallic hetero-sulfides have attracted
considerable interests recently, which contain not only metal and S atoms but also other non-metallic
atoms in their chemical formulas. For example, phosphor-chalcogenides [45,46] (e.g., Pd3(PS4)2) are an
emerging class of non-metallic/metallic hetero-sulfides.

Literature [7,23,25,34,37,47–52] has reported that different morphologies of metallic sulfide
nanomaterials such as nanowires, nanoplates, hollow ellipsoid, nanotubes, hollow spheres,
nanorods, flowerlike structures, core-shell nanoparticles, nanoribbons and complex hierarchal
micro/nanostructures been synthesized. Different synthetic approaches, such as dip-coating, chemical
vapor deposition (CVD), aqueous one-step wet chemistry, hydrothermal, coprecipitation, exfoliation,
sputtering, solid-state reaction, ball-milling and biosynthetic methods, were used to synthesize metal
sulfide nanomaterials (shown in Table 1). Even same metal sulfide nanomaterials synthesized with
different methods may exhibit different properties and be applied in different areas [30]. Therefore, it is
necessary to find the suitable synthetic techniques for metallic sulfide nanomaterials. For convenience,
we can also buy metallic sulfides in the market for experimental research. After investigation, most
of binary sulfides (e.g., WS2 powders, Cu2S powders, ZnS powders and CuS powders) have been
available in the market, but ternary, quaternary, and non-metallic/metallic hetero-sulfides have not
been available in the market.
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2.2. Applications in Biosensors

Metallic sulfide nanomaterials, as important and emerging materials, have arisen quickly in
the area of biosensing due to their specific properties, namely, nanometric scale, water-dispersibility,
large specific surface area, excellent catalytic activity, conductivity, biosafety, PL quenching abilities,
photoactivity, and fascinating optical properties [7,48,61].

Catalysis: The metallic sulfide nanomaterials had excellent catalytic activity due to their high
density of active sites, which can be used as modifiers in fabrication of novel biosensors [39,48].
Catalytic activities by the unsaturated sulfur commonly localize on the edge sites of metallic sulfide
nanomaterials, which leads to fast heterogeneous electron transfer rate at the edge sites and enhanced
catalytic activities [62].

Conductivity: The metallic sulfide nanomaterials had high electronic conductivity due to their low
bandgaps, which make them be used as electrode materials in fabricating biosensors via electrochemical
or ECL assays. For example, Chen et al. [20] have constructed a non-enzymatic glucose biosensor
based on the high electronic conductivity of NiS nanospheres.

Biosafety: Some metallic sulfide nanomaterials, such as silver, copper and iron sulfides, were
non-toxic [7]. These non-toxic metallic sulfide nanomaterials showed good biocompatibility in vitro,
thus they could be used to fabricate biosensors.

PL quenching effect: Quencher is one of important component in PL (especially, fluorescence)
sensing platforms for detection of biomolecules. In our previous work, we have demonstrated graphene
possesses unprecedented PL quenching abilities [63]. Just like graphene, some representative 2-D
metallic sulfide nanomaterials with 2-D layer structure also exhibited PL quenching abilities. These
metallic sulfide nanomaterials with PL quenching abilities were suitable for constructing PL biosensors
via PL quenching effect. Wang et al. [64] have used CuS nanoplates as quencher for fast, sensitive and
selective detection of DNA via fluorescence quenching effect.

Photoactivity: some metallic sulfide nanomaterials were photoactive materials which can
convert light illumination into electrical signals. When excited by light, electrons of metallic sulfide
nanomaterials transferred from valence band to conduction band, resulting in the separation of
photogenerated electrons and holes [65,66].

Fascinating optical properties: Some metallic sulfide nanomaterials, especially 0-D metal sulfide
nanomaterials (namely, sulfide quantum dots), emitted high fluorescence. In comparison with organic
fluorophores or alloy nanoclusters, metallic sulfide nanomaterials are superior as biomarkers due to
their water-dispersibility, long lifetimes, resistance to photobleaching and biosafety [67,68]. Moreover,
some metallic sulfide nanomaterials (e.g., Ag2S quantum dots), emitted tunable fluorescence in
near-infrared (NIR) region, which enabled their applications in bioimaging, biolabeling, deep tissue
imaging, diagnostics and photodynamic therapy [69]. Even some metallic sulfide nanomaterials
(e.g., EuS nanocrystals) have been used as ECL luminescent signal source, which endowed them with
possibility of fabricating ECL biosensors [70].

Based on these specific properties of metallic sulfides that can be used to prepare biosensors,
much research efforts have been devoted to developing biomolecule sensors for understanding
physiological or pathological functions of biomolecules in living body or cells. In recent years, metal
sulfide nanomaterials mainly have been applied to establish four types of biosensors, including
electrochemical, photoelectrochemical (PEC), ECL and PL biosensors, for probing various types
of biomolecules.

2.2.1. Electrochemical Biosensors

Metallic sulfide nanomaterials have been applied to establish electrochemical biosensors commonly
due to their properties of conductivity, catalysis and biosafety. For example, Guo et al. [34] have
developed a nonenzymatic glucose biosensor utilizing hierarchically porous NiCo2S4 nanowires due
to their novel catalytic properties (Figure 1A). In synthetic processes, using electrospum graphitic
nanofiber (EGF) as skeletons, NiCo2S4 nanowires were grown on the EGF toward different directions
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to decrease the agglomeration of NiCo2S4. In addition, the NiCo2S4 nanowires on EGF were core-shell
structures with rough surface and polycrystalline nature. When applied to glucose determination,
the skeletons of EGF and core-shell structures of NiCo2S4 enlarged effective surface to interact with
glucose in solution and suppled more electrochemical active sites for accelerating glucose oxidation.
Due to good sensing performances and biocompatibility toward glucose, an electrochemical biosensor
based on NiCo2S4/EGF system was proposed with fast response (reaching a stable state within 5 s),
a wide linear range (0.0005~3.571 mM, R2 = 0.995) and low detection limit (0.167 μM, S/N = 3) via
amperometric strategy.

Wang et al. [62] have also constructed a high-performance electrochemical platform for biosensing
glucose and lactate in sweat based on their catalytic properties and conductivity of MoS2 nanocrystals.
The MoS2 nanocrystals displayed enhanced catalytic activities and fast heterogeneous electron transfer
rate because of unsaturated sulfur on the edge sites and stronger quantum confinement. As shown in
Figure 1B, the biosensor for glucose detection was fabricated by sequentially growing MoS2 nanocrystals
and Cu submicron-buds on graphene paper (GP) via hydrothermal and electrodeposition method to
form GP-MoS2-Cu biosensor. Further coating of lactate oxidase (LOD) on the GP-MoS2-Cu electrode,
GP-MoS2-Cu-LOD biosensor for lactate detection was obtained. Due to the electron transport property
and high specific surface area of GP, enhanced catalytic activities, fast electron transfer rate and
biosafety of MoS2 nanocrystals, the electrochemical biosensor showed excellent sensing performances.
For glucose, the electrochemical biosensor had a linear range of 5~1775 μM with a detection limit of
500 nM (S/N = 3). For lactate, the electrochemical biosensor had a linear range of 0.01~18.4 mM with a
detection limit of 0.1 μM (S/N = 3).

In order to further enhance the catalytic performances of MoS2 nanocrystals, Zhang et al. [71]
have incorporated of a secondary metal sulfide (CoS2) into MoS2 nanocrystals to obtain binary metal
sulfide composites (CoS2-MoS2). Based on CoS2-MoS2, a non-enzymatic electrochemical biosensor
for determination of ascorbic acid, dopamine and nitrite have been proposed with linear ranges of
9.9~6582, 0.99~261.7 and 0.5~5160 μM, respectively. In addition, due to its good electrochemical
activity caused by synergistic effect between CoS2 and MoS2, low detection limits of the electrochemical
biosensor for determining ascorbic acid (3.0 μM), dopamine (0.25 μM) and nitrite (0.20 μM) have
obtained, respectively.

 

Figure 1. (A) The fabrication processes of porous NiCo2S4 nanowires and their applications in glucose
biosensing [34]. Reproduced with permission Copyright 2019, Elsevier B.V. (B) The fabrication of
biosensor based on MoS2 nanocrystals for sensing glucose and lactate in sweat [62]. Reproduced with
permission Copyright 2017, Elsevier B.V.

2.2.2. PEC Biosensors

Due to their superior photoactivities and conductivity, metallic sulfide nanomaterials have been
used in various PEC biosensing systems to be photoactive materials or be one of other components
through combining with photoactive materials [72–77].
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Guo and Liu et al. [50] have fabricated a PEC biosensor for detecting a breast cancer biomarker
human epidermal growth factor receptor-2 (HER2) (Figure 2A) using WS2 nanowire on Ti mesh
(WS2 NW/TM) as photoactive material. Under visible light excitation, photo energy collected by
WS2 NW/TM electrode was higher than that of its bandgap. Accordingly, electron was transferred
from valence band (VB) to conduction band (CB), and then CB electron was transferred to the surface
of Ti mesh, finally the hole in VB was scavenged by H2O2. Based on the electron transfer process,
photocurrent was generated. Moreover, to obtain a dual signal PEC amplification strategy, AuNPs
modified with glucose oxidase (GOx) and HER2 specific peptide for signal amplification were utilized.
The localized surface plasmon resonance (LSPR) of AuNPs generated a collective oscillation of free
electrons when excited by visible light. The free electrons can transfer from Au to the CB of the WS2

NW/TM electrode, which enhanced the photoelectric transfer efficiency and then achieved dual signal
amplification. GOx modified in AuNPs catalyzed glucose to produce H2O2, which scavenged the hole
in VB of the WS2 NW/TM electrode.

For binding with HER2 molecules, HER2 aptamers were modified on the WS2 NW surface via
oxygen containing sulfur species of WS2 NW. The HER2 specific peptides modified on the surface of
AuNPs were also utilized to bind with HER2 molecules. When detected HER2 molecules, a sandwich
type dual signal PEC amplification biosensor was established with a wide linear range (0.5~10 ng/mL)
and low detection limit (0.36 ng/mL, S/N = 3).

Cui et al. [78] have also reported a PEC biosensor for determination of polynucleotide kinase
(PNK) based on Bi2S3 nanorods as the photoactive materials (Figure 2B). The Bi2S3 nanorods displayed
photoactive properties and generated a high photocurrent when excited by visible light. For fabricating
PNK biosensor, a hybrid film consists of Bi2S3 nanorod and AuNPs was used to modify ITO electrode
and to bind with capture probe (P1). Manganese based mimic enzymes (MnME) were modified with
AuNPs to obtain MnME@AuNPs composites, which could label signal probes (P2). The capture probe on
the modified electrode can specifically hybridize with the MnME@ AuNPs-labeled signal probe to form
a double-stranded DNA. In the absence of PNK, MnME can catalyze H2O2 with 3,3-diaminobenzidine
(DAB) as substrate, and generated MnME catalytic precipitations on the modified ITO electrode.
The MnME catalytic precipitations were insulating barriers and blocked the interfacial electron transfer
and eventually leaded to a low PEC signal. In the presence of PNK, the double-stranded DNA was
phosphorylated and subsequently cleaved by lambda exonuclease to release the MnME@AuNPs from
the modified electrode, leading to a high PEC signal. Based on the signal on-off PEC strategy, the PNK
biosensor was proposed and exhibited high sensitivity with a detection limit of 1.27 × 10−5 U/mL.

In addition to being photoactive materials, metallic sulfide nanomaterials also have been one
of other components through combining with photoactive materials in PEC biosensing systems.
For example, Zhao et al. [73] have also reported a PEC biosensor for determination of prostate specific
antigen (PSA) using CdTe/TiO2 sensitized structures as photoactive materials and CuS nanocrystal
as electronic extinguisher (Figure 2C). For fabricating the PSA biosensor, a peptide was fixed to
the CdTe/TiO2 electrode surface and used to immobilize a double-helix DNA (dsDNA). Then, CuS
nanocrystal was efficiently immobilized on the dsDNA via doxorubicin (Dox) inserting into the dsDNA.
In absence of PSA, electron donor and radiant light were consumed by CuS nanocrystals, and steric
hindrance effect of insulating substances (e.g., peptides and DNA) generated, leading to a low PEC
signal. In the presence of PSA, the PSA specifically cleaved the peptide, and DNA/Dox-CuS probes
were released from the electrode surface, resulting in a high PEC signal. Take advance of the signal
on-off PEC strategy, the PSA biosensor revealed good sensing performance with a linear range from
0.005 to 20 ng/mL and a low detection limit of 0.0015 ng/mL.
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Figure 2. (A) (a) The process to fabricate PEC biosensor based on WS2 nanowire array on Ti mesh
(TM) for breast cancer biomarker HER2 detection; (b) Schematic mechanism of the PEC system [50].
Reproduced with permission Copyright 2019, Elsevier B.V. (B) A signal-on PEC biosensor for PNK assay
with the MnME@AuNPs-P2 catalytic precipitation on Bi2S3 nanorod as the photoactive materials [78].
Reproduced with permission Copyright 2018, American Chemical Society. (C) Construction (a) and
response mechanism (b) of PEC biosensor based on CuS nanocrystals [73]. Reproduced with permission
Copyright 2019, Elsevier B.V.

2.2.3. ECL Biosensors

Due to their ECL properties, metallic sulfide nanomaterials have been used to establish ECL
biosensors. For example, Babamiri et al. [70] have prepared an ECL biosensor for determining human
immunodeficiency virus (HIV) DNA sequence utilizing EuS nanocrystals as ECL luminophore through
a molecularly imprinted polymer ECL (MIP-ECL) system (Figure 3A). In the MIP-ECL system, HIV
aptamer as template and o-phenylenediamine as the functional monomer were electropolymerized
directly on the surfaces of the ITO electrode. After removing HIV aptamer template, the MIP modified
electrode was obtained. The MIP modified electrode can bind with HIV-1 gene when immersed into
different concentrations of HIV-1 gene standard solution. Then, the HIV-1 gene on the MIP modified
electrode reacted with the HIV DNA strand functionalized on EuS nanocrystals by hybridization
reaction. Based on the hybridization reaction between HIV-1 gene and HIV DNA strand, the MIP-ECL
biosensor was proposed. Using K2S2O8 as co-reactant, the ECL signal of the MIP-ECL biosensor
significantly enhanced with increased concentrations of HIV-1 gene. Taking advantage of both MIP-ECL
assays and the ECL properties of EuS nanocrystals, the HIV gene biosensor was sensitive and selective
with a wide linear range (3.0 fM~0.3 nM) and low detection limit (3.0 fM).

Moreover, Zhu et al. [79] have also fabricated a sandwich-type ECL biosensor for detecting insulin
based on the ECL property of zinc-doping cadmium sulfide (Au-ZnCd14S) (Figure 3B). Au-ZnCd14S
combined nitrogen doping mesoporous carbons (Au-ZnCd14S/NH2-NMCs) acted as sensing platform
and Au-Cu alloy nanocrystals were employed as labels to quench the ECL of Au-ZnCd14S/NH2NMCs.
On the basis of the ECL quenching effects between ZnCd14S and Au-Cu alloy nanocrystals, a sensitive
ECL immunosensor for insulin detection was successfully constructed with a linear response range
from 0.1 pg/mL to 30 ng/mL and detection limit of 0.03 pg/mL (S/N = 3). Although some metallic
sulfide nanomaterials did not exhibit ECL properties, they have also been used to construct ECL
biosensors via being as electrode materials based on their superior conductivity and large specific
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surface area. For example, Wei et al. [80] have reported an ECL biosensor for detection of amlodipine
besylate (AML) based on reduced graphene oxide-copper sulfide (rGO-CuS) composite coupled
with capillary electrophoresis (CE) (Figure 3C). The rGO-CuS composite was synthesized based on
flowerlike CuS wrapped with rGO sheet and utilized to modify electrode. Due to the presence of
rGO-CuS composite, the electron transfer rate between the electroactive center of Ru (bpy)3

2+ and the
electrode was facilitated. At the present of AML, the ECL intensity of Ru (bpy)3

2+ increased which
induced the development of AML biosensor. Take advance of large specific surface area of rGO-CuS
composite and powerful CE separation technique, the ECL biosensor for the detection of AML was
successfully fabricated with a linear response range of 0.008 to 5.0 μg/mL and a detection limit of
2.8 ng/mL (S/N = 3).

 

Figure 3. (A) Schematic diagram of the HIV gene biosensor using EuS nanocrystals as luminophore [70].
Reproduced with permission Copyright 2018, Elsevier B.V. (B) The fabrication of insulin biosensor
based on Au-ZnCd14S [79]. Reproduced with permission Copyright 2017, Elsevier B.V. (C) Schematic
fabrication process of ECL sensor and CE-ECL detection [80]. Reproduced with permission Copyright
2016, Elsevier B.V. (D) The fabrication of immunosensor based on hollow In2S3 nanotubes for
procalcitonin detection [52]. Reproduced with permission Copyright 2019, Elsevier B.V.

Moreover, Xue et al. [52] have also designed a procalcitonin (PCT) biosensor based on
dual-quenching ECL-RET strategy utilizing hollow Ru-In2S3 nanocomposite as ECL acceptor and
porous α-MoO3-Au structure as ECL donor (Figure 3D). Specifically, Ru-In2S3 nanocomposite was
prepared by hollow In2S3 nanotubes as substrate adsorbing Ru (bpy)3

2+. For fabricating PCT biosensor,
HWRGWVC heptapeptide (H7), which could provide -SH, was immobilized on the surface of
nanomaterials through amide bond (with Ru-In2S3 nanocomposite) and Au-S bond (with α-MoO3-Au
structures) and used to capture antibody (Ab1 and Ab2). In the presence of PCT, Ru-In2S3 nanocomposite
captured Ab1 andα-MoO3-Au structures captured Ab2 connected together, and ECL-RET from Ru-In2S3

to α-MoO3-Au occurred which was further confirmed by testing the overlap between ECL emission of
Ru-In2S3 and UV-vis spectra of α-MoO3-Au. Take advantage of huge specific surface area of Ru-In2S3
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or α-MoO3-Au and dual-quenching ECL-RET strategy, the ECL biosensor for detecting PCT was
obtained with sensitive response, linear range from 0.0001 to 50 ng/mL and low detection limit of
12.49 fg/mL (S/N = 3).

2.2.4. PL Biosensors

Metal sulfide nanomaterials also have been used to establish PL biosensors due to their fascinating
optical properties. However, to our best well know, metal sulfide nanomaterials used to fabricate PL
biosensors mainly were 0-D metal sulfide nanomaterials (namely, sulfide quantum dots). Thus, PL
biosensors based on metal sulfide nanomaterials will be illustrated in the section of “sulfur-containing
quantum dots” below.

As described above, biosensors based on metal sulfide nanomaterials have been used for detection
of various analytes, including glucose, dopamine, proteins, DNA, etc. Moreover, these biosensors
displayed good sensing performance toward analytes detection. In addition, these biosensors also
showed other outstanding advantages, including simple of preparation, low cost and good selectivity,
stability, and great promising practical applications in clinical diagnosis, as shown in Table 2.

Table 2. Properties of biosensors based on metal sulfide nanomaterials listed above.

Biosensors Analytes Linear Range with Detection
Limit (S/N = 3)

Practical Application References

Electrochemical
biosensor based
on NiCo2S4

glucose 0.0005~3.571 mM (R2 = 0.995)
with a detection limit 0.167 μM

glucose determination in
human blood serum
sample, recoveries
98.23~100.61% with
RSDs of 3.53~5.12%

[34]

Electrochemical
biosensor based
on MoS2

glucose 5~1775 μM (R2 = 0.998) with a
detection limit of 500 nM

glucose determination in
sweat, recoveries (N/A *)

[62]

lactate 0.01~18.4 mM (R2 = 0.996)
with a detection limit of
0.1 μM

lactate determination in
sweat, recoveries (N/A)

Electrochemical
biosensor
CoS2-MoS2

ascorbic acid (AA) 9.9~6582 μM (R2 = 0.997) with
a detection limit of 3.0 μM

AA determination in
urine sample, recoveries
96.5%~102.7% with RSD
within 3%

[71]

dopamine (DA) 0.99~261.7 μM (R2 = 0.996)
with a detection limit of
0.25 μM

DA determination in
urine sample, recoveries
96.5%~102.7% with RSD
within 3%

nitrite 0.5~5160 μM (R2 = 0.997) with
a detection limit of 0.20 μM

nitrite determination in
urine sample, recoveries
96.5%~102.7% with RSD
within 3%

PEC biosensor
based on WS2 NW

HER2 molecules 0.5~10 ng/mL (R2 = 0.998) with
a detection limit of 0.36 ng/mL

HER2 determination in
serum sample, recoveries
108.2%, 98.6% and
101.3% with RSD 1.5%,
2.3% and 3.2%

[50]

PEC biosensor
based on Bi2S3
nanorods

polynucleotide
kinase (PNK)

0.0005~10 U/mL (R2 = 0.995)
with a detection limit of
1.27 × 10−5 U/mL

PNK activity in
HEK293T cells,
intra-assay with a RSD of
6.27% and interassay
with a RSD of 5.52%

[78]

PEC biosensor
based on CuS
nanocrystal

prostate specific
antigen (PSA)

0.005~20 ng/mL (R2 = 0.991)
with a detection limit of
0.0015 ng/mL

PSA determination in
human serum sample,
recoveries (N/A)

[73]
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Table 2. Cont.

Biosensors Analytes Linear Range with Detection
Limit (S/N = 3)

Practical Application References

ECL biosensor
based on EuS
nanocrystals

HIV-1 gene 3.0 fM~0.3 nM (R2 = 0.996)
with a low detection limit of
3.0 fM

HIV-1 gene
determination in serum
samples, recoveries
95.00~101.2% with RSDs
of 1.78~4.2%

[70]

ECL biosensor
based on ZnCd14S

insulin 0.1 pg/mL~30 ng/mL
(R2 = 0.996) with a detection
limit of 0.03 pg/mL

insulin determination in
human serum samples,
recoveries 98.5~103.1%
with RSDs of 2.1%~3.7%

[79]

ECL biosensor
based on rGO-CuS
composite

amlodipine
besylate (AML)

0.008~5.0 μg/mL (R2 = 0.998)
with a detection limit of
2.8 ng/mL

AML determination in
plasma samples,
recoveries
95.42%~98.50% with
RSDs of 3.2% to 4.5%.

[80]

ECL biosensor
based on Ru-In2S3
nanocomposite

procalcitonin 0.0001~50 ng/mL (R2 = 0.996)
with a low detection limit of
12.49 fg/mL

procalcitonin
determiantion in human
serum, recoveries
95.2%~96.8% with RSD
under 3.6%

[52]

* N/A: Not available.

3. Sulfur-Containing Quantum Dots

3.1. Generalities

Sulfur-containing quantum dots are quantum dots containing central sulfur-containing nanodots
and surface functional groups (e.g., carboxyl groups or amino groups), and possess fascinating
photophysical properties, small size (typically below 10 nm), good biocompatibility, and chemical
inertness. They can be broken down into three main categories: sulfur quantum dots, sulfide quantum
dots and sulfur-doped quantum dots.

Sulfur quantum dots. Sulfur quantum dots are pure elemental quantum dots, mainly including S
central nanodots and surface functional groups [81,82].

As a new class of quantum dots, sulfur quantum dots were firstly synthesized by Li’s group
through phase interfacial reactions in 2014 [83]. Since then, researchers have eagerly pursued synthetic
approaches of sulfur quantum dots due to their excellent aqueous dispersibility, small size, excellent
photostability, low toxicity, narrow size distribution and ultrahigh photostability [84]. To date, sulfur
quantum dots have not been available in the market. Generally, sulfur quantum dots were synthesized
by hydrothermal methods based on “top-down” synthetic approaches. Literature has reported detailed
synthetic approaches including phase interfacial reaction [81,83], “assemble-fission” approach [82,85],
H2O2-assisted “top-down” approach [86] and oxygen accelerated scalable approach [84]. Synthetic
details for each approach are described as follows:

For phase interfacial reaction, CdS quantum dots or ZnS quantum dots were diluted by n-hexane
and then sonicated to form a homogeneous solution. HNO3 aqueous solution was mixed with CdS
quantum dots or ZnS quantum dots solution with a slowly stirring at room temperature. The resulting
white mixture was separated by a funnel, and sulfur quantum dots were synthesized as a white
suspension in hexane.

For “assemble-fission” approach, sulfur quantum dots were synthesized by simply treating
sublimated sulfur powders with alkali using polyethylene glycol-400 as passivation agents.

For H2O2-assisted “top-down” approach, sulfur quantum dots were synthesized by dissolved
bulk sulfur powder into small particles in an alkaline environment in the presence of polyethylene
glycol, followed by the H2O2-assisted etching of polysulfide species.
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For oxygen accelerated scalable approach, sulfur quantum dots were synthesized by dissolved
bulk sulfur powder into small particles in an alkaline environment in the presence of polyethylene
glycol to form polysulfide species (Sx

2−), followed by oxidation of Sx
2− to zero-valent sulfur under a

pure O2 atmosphere sulfide quantum dots. Sulfide quantum dots commonly included central sulfide
nanodots, especially metal sulfide, and surface functional groups. Much research efforts have been
devoted to synthesize sulfide quantum dots, such as ZnS, CdS, PbS, Ag2S, SnS2, In2S3 and AgInZnS
quantum dots [87–92].

Sulfide quantum dots were commonly synthesized by simple aqueous method and used various
stabilizing agents or sulfides to maintain metal atoms in order to assembly into nanodots. The stabilizing
agents or sulfides were surface ligands and S sources, and the stabilizing agents included cysteamine,
mercaptoacetic acid, l-cysteine, N-acetyl-l-cysteine, bovine serum albumin [67,69,87,93–95]. To date,
various of sulfide quantum dots, such as PbS quantum dots, Ag2S quantum dots and CdSeS/ZnS
quantum dots, have been available in the market.

Sulfur-doped quantum dots. Sulfur-doped quantum dots are obtained by doping S atoms into
other quantum dots, such as silicon, carbon, phosphorus and graphene quantum dots [82]. Among
sulfur-doped quantum dots, sulfur-doped carbon or graphene quantum dots were the most widely
studied in the recent years [96–101]. This review will focus on sulfur-doped carbon or graphene
quantum dots.

The approaches used to synthesize sulfur-doped carbon or graphene quantum dots can be divided
into two categories: “top-down” approaches and “bottom-up” approaches. The “top-down” approaches
included hydrothermal, solvothermal, ultrasound, chemical exfoliation, microwave-assisted exfoliation
methods, and so on [102–106]. Due to their superiority such as time-saving and easy to operation,
the “top-down” approaches have attracted much excitement for synthesizing sulfur-doped carbon
or graphene quantum dots. The “bottom-up” approaches used to synthesize sulfur-doped carbon
or graphene quantum dots can be controlled by “step-by-step” chemical reactions through various
precursors [107,108]. To date, carbon or graphene quantum dots have been available in the market, but
sulfur-doped carbon or graphene quantum dots haven’t been available in the market yet.

3.2. Applications in Biosensors

Sulfur-containing quantum dots are considered to be suitable alternative nanomaterials in
biosensing applications [67,109–112]. Their stable photoelectric properties made sulfur-containing
quantum dots be adapted as excellent probes in biosensors via various strategies, such as electrochemical,
PEC, PL and ECL strategy [113–115]. Soluble sulfur-containing quantum dots can react with
biomolecules, thus biosensors for detection biomolecules could be established through specific
physiochemical reactions between them [81,116,117]. Functionalization of sulfur-containing quantum
dots (especially, sulfide quantum dots) with different stabilizing agents to form surface groups can
enhance their hydrophilicity and interaction ability with other biomolecules [115,118–120]. The low
toxicity of sulfur-containing quantum dots made them suitable to be used for sensing in cells or living
bodies [83,121–123].

3.2.1. Biosensors Based on Sulfur Quantum Dots

As emerging quantum dots, sulfur quantum dots have been paid much attention due to their
possessions of inexpensive S atoms and unique physicochemical properties [82–84]. Literature has
demonstrated that sulfur quantum dots were applied in the field of sensor [81,85,124]. For example,
sulfur quantum dots have been used for sensing metal ions or detecting drug [81,125]. Very recently,
sulfur quantum dots also have gradually been applied to living cells imaging [124]. However,
applications of sulfur quantum dots in biosensing or bio-medical diagnosis field were still far from
satisfactory. To this end, there is an urgent need of efficient approaches to exploit biosensing applications
of sulfur quantum dots in the next few years.
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3.2.2. Biosensors Based on Sulfide Quantum Dots

Due to optical responses of sulfide quantum dots from the visible to the near infrared (NIR),
sulfide quantum dots have received extensive attention in the field of biosensing [8,126]. They have
been widely used as alternative probes for biomolecules via various strategies, such as electrochemical,
PEC, ECL and PL strategies [94,109,126,127].

Electrochemical Biosensors

Due to excellent electrochemical activities of sulfide quantum dots and inexpensive instruments
and simple operations of electrochemical methods, electrochemical biosensors based on sulfide
quantum dots have attracted increased attention. Zhang et al. [128] have reported an electrochemical
biosensor for detecting clenbuterol antibody based on ZnS quantum dots. Amor-Gutiérrez et al. [129]
have established an electrochemical biosensor for determination bacteria based on Ag2S quantum dots.

PEC Biosensors

PEC sensing, a branch of electrochemistry, is a newly developed technology and has attracted
great interest in biosensing fields. For fabricating PEC biosensor, photoactive materials are vital because
they can generate photocurrent excited by light. To our best well know, sulfide quantum dots not
only have directly been photoactive materials to establish PEC sensors [89,92,130–132], but also been
one of other components through combining with photoactive materials to indirectly establish PEC
sensors [87,133].

Wang et al. [130] have proposed a PEC biosensor for detection of H2S released from MCF-7
cells based on heterostructures formed by CdS quantum dots and branched TiO2 nanorods
(CdS-B-TiO2). Herein, CdS-B-TiO2 heterostructures in the PEC biosensors were directly as
photoactive materials. In addition, due to the formation of CdS-B-TiO2 heterostructures, a significant
enhancement in photocurrent was obtain, thus leading to sensitive PEC recording of the H2S level in
cellular environments.

Moreover, Deng et al. [133] have utilized CdS quantum dots as one of other components through
combining with photoactive materials to indirectly establish PEC biosensors for determination of PSA.
The PSA biosensor was utilized reduced graphene oxide-TiO2 (ERGO-TiO2) as reduced graphene
oxide-TiO2 (ERGO-TiO2) and CdS quantum dots as a PEC signal amplifier. For preparing the PSA
biosensor, ERGO-TiO2 was utilized to immobilize capture antibody (Ab1) for PSA detection, and
quinone-rich PDA nanospheres (PDANS) loaded with CdS quantum dots were used to load detection
antibody (Ab2) for PSA detection. In the presence of PSA, photo-generated electron transferred
between PDANS loaded with CdS quantum dots and ERGO-TiO2. Due to the good conductivity of
PDANS, ERGO and CdS quantum dots, a PSA biosensor has been proposed with a linear range from
0.02 pg/mL to 200 ng/mL with the detection limit of 6.8 fg/mL.

ECL Biosensors

Sulfide quantum dots have been widely used as alternative probes for biomolecules (e.g., dopamine,
thrombin, laminin or enzyme) via ECL strategies.

Liu et al. [134] have fabricated a dopamine (DA) biosensor based on water-dispersible CdS
quantum dots (CdS QDs) via ECL strategy. As shown in Figure 4A, they synthesized four sizes of CdS
QDs, namely 1.8, 2.7, 3.2 and 3.7 nm. Each size of CdS QDs had various ECL performance. Under the
optimized conditions, the ECL biosensor displayed excellent sensing properties with linear detection
range from 8 pM to 20 nM and detection limit of 3.6 pM (S/N = 3).

In addition, Wang et al. [135] have also proposed a thrombin (TB) biosensor based on lanthanum
ion-doped CdS quantum dots (CdS: La QDs) via ECL strategy (Figure 4B). The detection mechanism of
the ECL biosensor was based on a distance-dependent ECL intensity enhanced or quenched system
between CdS: La QDs and AuNPs. In the presence of Hg2+, ECL quenching (signal off) achieved lie in
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RET between the CdS: La QDs and AuNPs at a close distance. In the presence of TB, ECL enhance
(signal on) achieved lie in surface plasmon resonances (SPR) between the CdS: La QDs and AuNPs
at a separated distance. The “on-off-on” approach was used to detect TB, and the linear range were
1.00 × 10−16 to 1.00 × 10−6 mol/L with limit of detection (S/N = 3) of 3.00 × 10−17 mol/L.

Moreover, Wu et al. [136] have prepared a laminin (LN) biosensor based on Mn doped Ag2S
quantum dots (Ag2S: Mn QDs) as ECL materials (Figure 4C). The optical response of Ag2S: Mn QDs
was in IR window (i.e., about at 626 nm) obtained by ECL spectrum. Based on a sandwiched ECL
immunoassay, the biosensor displayed a wide linear range of 10 pg/mL to 100 ng/mL with a low
detection limit of 3.2 pg/mL for LN detection.

Furthermore, Zhou et al. [137] have proposed an enzyme (namely, DNA methyltransferase (MTase))
biosensor based on CdS quantum dots (CdS QDs) as ECL materials (Figure 4D). For fabricating the
MTase biosensor, double-stranded DNA containing 5′-CCGG-3′ sequence was bonded to a CdS
QDs modified glassy carbon electrode, then the modified electrode was incubated with M.SssI
CpG MTase which catalyzed the methylation of the specific CpG dinucleotides. Subsenquently, the
electrode was treated with a restriction endonuclease HpaII. The HpaII can recognize and cut off the
5′-CCGG-3′ sequence, but recoginition function was blocked when the CpG site in the 5′-CCGG3′ was
methylated. Double-stranded DNA having been methylated can immobilized AuNPs with glucose
oxidase mimicking activity. AuNPs immobilized on double-stranded DNA can catalyze the oxidation
of glucose to genetate H2O2 which served as coreactant of CdS QDs. Thus, the ECL intensity of CdS
QDs was linear correlation with the activity of M.SssI MTase.

 

Figure 4. (A) ECL biosensors for dopamine based on CdS QDs [134]. Reproduced with permission
Copyright 2016, Elsevier B.V. (B) Fabrication of the ECL-RET aptasensor for thrombin based on CdS: La
quantum dots film and AuNPs [135]. Reproduced with permission Copyright 2019, Elsevier B.V. (C)
Schematic diagram to show (A) the ECL immunosensor fabrication process and (B) ECL mechanism
of Ag2S: Mn QDs [136]. Reproduced with permission Copyright 2017, Elsevier B.V. (D) Schematic
illustration of ECL biosensors bade on CdS QDs for detection of the MTase activity [137]. Reproduced
with permission Copyright 2016, American Chemical Society.

PL Biosensors

Sulfide quantum dots, as 0-D metal sulfide nanomaterials, have also attracted great attention to
establish PL biosensors due to their fascinating optical properties [138]. Until now, there have been
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various types of PL biosensors based on sulfide quantum dots, such as phosphorescence biosensors,
fluorescence biosensors.

Phosphorescence biosensors were proposed based on sulfide quantum dots with phosphorescence
emission. For example, Gong and Fan [139] have proposed a phosphorescence biosensor for detection
of DNA based on riboflavin-modulated Mn doped ZnS quantum dots. Due to the longer average life
of phosphorescence emitted by Mn doped ZnS quantum dots, the DNA biosensor allowed appropriate
delay time and avoided any scattering light.

Because most of sulfide quantum dots have fluorescent properties, fluorescence biosensors based
on sulfide quantum dots were the most common biosensors. For example, Liu et al. [140] have
prepared a fluorescence biosensor for detecting alkaline phosphatase based on l-cysteine-capped
CdS QDs. Moreover, Du et al. [67] have synthesized VS2 quantum dots, and constructed a
glutathione biosensor based on the efficient fluorescence RET from VS2 quantum dots to MnO2

nanosheets and fast redox reaction between MnO2 and glutathione. Adegoke et al. [141] have utilized
CdZnSeS/ZnSeS quantum dots to fabricate a fluorescence biosensor for determining influenza virus
RNA. Rong et al. [142] have synthesized novel Eu3+ ion-functionalized fluorescent MoS2 quantum
dots for biosensing Guanosine 3′-diphosphate-5′-diphophate (ppGpp) (Figure 5A). Literature has also
reported fluorescence biosensors for determining other biomolecules, such as thrombin, glutathione
S-transferase enzyme, bilirubin [91,94,143,144] via PL strategies.

 

Figure 5. (A) Schematic illustration for ppGpp detection using Eu-MoS2 QDs test paper [142].
Reproduced with permission Copyright 2020, Elsevier B.V. (B) Illustration of H2O2 detection based on
NIR-II fluorescence Pb-doped Ag2S quantum dots [69]. Reproduced with permission Copyright 2019,
Elsevier B.V.

NIR fluorescence biosensors were emerging types of fluorescence biosensors and have also
attracted great attention. The NIR fluorescence biosensors were fabricated based on fluorescence
materials with emissions in NIR window (750 to 1000 nm) which can achieve higher imaging depth
without complications from tissue autofluorescence. Sulfide quantum dots, such as Ag2S quantum
dots, displayed fluorescence emission in NIR window, therefore they have been used to establish
biosensors. Moreover, Ding et al. [123] have fabricated a NIR biosensor for detecting F− in living cells
based on NIR emitting Ag2S quantum dots. The fluorescence intensity of Ag2S quantum dots enhanced
when various rare earth ions were added. In the presence of F−, F− coordinated with rare earth ions
leaded to fluorescence quenching of Ag2S quantum dots. Based on the on-off fluorescence findings,
a label-free NIR fluorescence biosensor for F− in living has been proposed. Moreover, Shu et al. [69]
have ameliorated Ag2S quantum dots by doping Pb ions to synthesized Pb-doped Ag2S quantum
dots. The Pb-doped Ag2S quantum dots emitted fluorescence in NIR-II window (950 to 1200 nm).
Based on the NIR-II emitting Pb-doped Ag2S quantum dots, a biosensor for H2O2 have been proposed
(Figure 5B).
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3.2.3. Biosensors Based on Sulfur-Doped Carbon or Graphene Quantum Dots

Carbon or graphene quantum dots have attracted intensive interest and have also been used
to determine biomolecules due to their fascinating properties [145–148]. Doping heteroatoms
(e.g., nitrogen, sulfur, phosphorus/or metal atoms) in carbon or graphene quantum dots is an effective
way to tune their properties [107,112,149,150]. As the third most abundant element in fossil fuels, S
and its derived material have attracted a lot of interest. Sulfur doped carbon or graphene quantum
dots, as one of derived sulfur-containing nanomaterials, have also attracted intense interest and been
widely used to established biosensors [151–154]. However, sulfur doped carbon or graphene quantum
dots still belonged to carbon or graphene quantum dots. Since too much literature has reported
biosensors based on carbon or graphene quantum dots [155–158], we won’t explore them in this
review. As described above, biosensors based on sulfur-containing quantum dots have been used
for detection of various analytes, including antibody, dopamine, proteins, DNA, RNA, glutathione,
bacteria, F− in living cells, etc. These biosensors displayed good sensing performance toward analytes
detection. In addition, these biosensors also showed other outstanding advantages, including simple
of preparation, low cost and good selectivity, stability, and great promising practical applications in
clinical diagnosis, as shown in Table 3.

Table 3. Properties of biosensors based on sulfur-containing quantum dots listed above.

Biosensors Analytes Linear Range with Detection
Limit (S/N = 3)

Practical Application References

Electrochemical
biosensor based on
ZnS quantum dots

clenbuterol
antibody

0.01~10 ng/mL (R2 = 0.991)
with a detection limit of
5.5 pg/mL

clenbuterol antibody in
pig urine, recoveries
96.39%~103% with RSDs
of 0.09%~0.27%

[128]

Electrochemical
biosensor based on
Ag2S quantum dots

bacteria 10−1~103 bacteria/mL
(R2 = 0.993) with a detection
limit of 1 bacteria/mL

bacterica in human
serumm, recoveries
(N/A*)

[129]

PEC biosensor
based on CdS
quantum dots

H2S 1.0 nM~5 mM (R2 = 0.991)
with a detection limit of
29 ng/mL

H2S released from
MCF-7 cells, recoveries
(N/A)

[130]

PEC biosensor
based on CdS
quantum dots

prostate specific
antigen (PAS)

0.02 pg/mL~200 ng/mL
(R2 = 0.997) with a detection
limit of 6.8 fg/mL.

PAS in human serum
samples, recoveries
96.2%~110.0% with
RSDs less than 9.7%

[133]

ECL biosensor
based on CdS
quantum dots

dopamine 8 pM~20 nM (R2 = 0.998) with
a detection limit of 3.6 pM

dopamine in human
urine and serum
samples, recoveries
95.4%~102.6% with
RSDs of 0.34%~5.14%

[134]

ECL biosensor
based on
lanthanum
ion-doped CdS
quantum dots

thrombin 1.00 ×10−16~1.00 ×10−6 mol/L
(R2 = 0.996) with limit of
detection of 3.00 ×10−17 mol/L

thrombin in human
serum, recoveries
98.0%~100.1%

[135]

ECL biosensor
based on Mn
doped Ag2S
quantum dots

laminin 10 pg/mL~100 ng/mL
(R2 = 0.993) with a low
detection limit of 3.2 pg/mL

laminin in human serum,
recoveries
96.08%~105.56%

[136]

PL biosensor based
on Mn doped ZnS
quantum dots

DNA 15 μg/L~40 mg/L (R2 = 0.998)
with a detection limit of 15
μg/mL

DNA in urine samples,
recoveries 97%~103%

[139]

PL biosensor based
on
l-cysteine-capped
CdS quantum dots

alkaline
phosphatase (ALP)

1~10 nM (R2 = 0.999) with a
detection limit of 96 pM

ALP in human serums,
recoveries
98.58%~106.60% with
RSDs of 1.59%~9.50%

[140]
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Table 3. Cont.

Biosensors Analytes Linear Range with Detection
Limit (S/N = 3)

Practical Application References

PL biosensor based
on VS2
quantum dots

glutathione 0~500 μM (R2 = 0.996) with a
detection limit of 0.31 μM

glutathione detection in
human serum samples,
recoveries
101.0%~109.0% with
RSDs of 0.7%~2.7%

[67]

PL biosensor based
on CdZnSeS/ZnSeS
quantum dots

influenza virus
RNA

detection limit of 5.2
copies/mL

N/A [141]

PL biosensor based
on MoS2
quantum dots

ppGpp 25~250 μM (R2 = 0.997) with a
detection limit of 23.8 μM

ppGpp in plants,
recoveries
100.0%~138.0% with
RSDs below 1.4%

[142]

PL biosensor based
on NIR emitting
Ag2S quantum dots

F− 5~260 μM (R2 = 0.9978) with a
detection limit of 1.5 μM

F− in living cells [123]

PL biosensor based
on the NIR-II
emitting Pb-doped
Ag2S quantum dots

H2O2 40~800 μM with a detection
limit of 5 μM

H2O2 analysis in
disinfectant

[69]

* N/A: Not available.

4. Brief Comparison between Biosensors Based on Sulfur-Containing Nanomaterials and Others

All in all, biosensors based on sulfur-containing nanomaterials have been used for detection
of various biomolecules in the last five years, including glucose, dopamine, proteins, DNA, RNA,
etc. The biosensors based on sulfur-containing nanomaterials displayed enhanced selectivity, lower
sensitivity, faster response time, and low detection limit in comparison to biosensors based on other
nanomaterials. Taking glucose as analytes, Table 4 displays brief comparison between biosensors
based on sulfur-containing nanomaterials and other biosensors. Data listed in Table 4 illustrates that
sulfur-containing nanomaterials are promising materials to established biosensors and can be widely
used in biomedical field.

Table 4. Brief comparison between biosensors based on sulfur-containing nanomaterials and others.

Biosensors Linear Range Limit of Detection
(LOD) (S/N = 3)

References

biosensor based on morphous
CoxSy nanosheets

0.2~1380 μM 0.079 μM [159]

biosensor based on VS2 nanoparticles 0.5 μM~3.0 mM, 0.224 μM [160]

biosensor based on flowerlike NiCo2S4 0.5 μM~6 mM 50 nM [51]

biosensor based on Ag2S quantum dots 0.1 mM~12.2 mM 0.324 μM [161]

biosensor based on ZnS:Ni/ZnS Quantums Dots 0.1~100 μM 35 nM [162]

biosensor based on TiO2-SnS2 nanocomposite 0.008~1.13 mM;
1.13~5.53 mM

1.8 μM [163]

biosensor based on bienzyme and carbon
nanotubes incorporated into an Os-complex
thin film

0.05~1.5 mM 3 μM [164]

biosensor based on Fe3O4/PPy@ZIF-8
nanocomposite

1 μM~2 mM 0.333 μM [165]

biosensor based on silver nanowires and
chitosan-glucose oxidase film

10 μM~0.8 mM 2.83 μM [166]
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5. Conclusions and Outlooks

In summary, this paper provides a brief overview of recent researches on the applications
of sulfur-containing nanomaterials, including metallic sulfide nanomaterials and sulfur-containing
quantum dots in biosensors. The sulfur-containing nanomaterials have excellent properties, such as
nanometric scale, water-dispersibility, excellent catalytic activity, conductivity, biosafety, photoactivity,
and fascinating optical properties, and have been proven useful in various biosensing applications
via electrochemical, PEC, ECL and PL strategies. Though many achievements have been obtained for
biosensors based on sulfur-containing nanomaterials, there are still significant challenges that need to
be solved.

(1) As an emerging quantum dots, sulfur quantum dots possess excellent optical properties
and biocompatibility which make them possible to prepare biosensors. However, researches on
biosensing applications of sulfur quantum dots are still inadequate. Therefore, it is urgent to further
exploit the biosensing applications of sulfur quantum dots in the next few days. Taking advantage
of optical properties of sulfur quantum dots and PL-based technologies (e.g., fluorescence detection
technologies), PL probes for detecting various biomolecules based on sulfur quantum dots can be
established. (2) Real-time biosensing in vivo or intracellular based on sulfur-containing nanomaterials
remains a challenge because typical analytical measurements only capture a single-time-point in
samples. Biosensing in vivo or intracellular are a new class of detecting technologies that can be
established by means of a number of sophisticated analysis platforms providing an in vivo read-out of
the spatial, temporal, and quantitative information of biomolecules. Therefore, the vast majority of
analytes detected by biosensors based on sulfur-containing nanomaterials are limited to exist in vitro
or extracellular. In order to fabricate vivo or intracellular biosensors based on sulfur-containing
nanomaterials, sophisticated analysis platforms providing real-time information of biomolecules
should be tried to fabricate by utilizing various of technologies and methods (such as, confocal
fluorescence microscopic techniques and Raman spectroscopy methods).

(3) With the development of materials science and nanotechnology, wide variety of nanomaterials
have emerged in our life. Some nanomaterials, such as metal organic frameworks and gold nanoclusters,
are easy to synthesize without complicated operations. Considering time cost and experimental safety,
more and more researchers have dedicated to exploiting these nanomaterials. In view of the abundant
storage and the pressure on the environment of S elements, more and more sulfur-containing
nanomaterials should be synthesized and used to construct biosensors. Therefore, green synthetic
methods (e.g., coprecipitation and hydrothermal methods) should be exploited and utilized to
synthesize sulfur-containing nanomaterials.
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Abstract: MXenes are recently developed 2D layered nanomaterials that provide unique capabilities for
bioanalytical applications. These include high metallic conductivity, large surface area, hydrophilicity,
high ion transport properties, low diffusion barrier, biocompatibility, and ease of surface functionalization.
MXenes are composed of transition metal carbides, nitrides, or carbonitrides and have a general
formula Mn+1Xn, where M is an early transition metal while X is carbon and/or nitrogen. Due to their
unique features, MXenes have attracted significant attention in fields such as clean energy production,
electronics, fuel cells, supercapacitors, and catalysis. Their composition and layered structure make
MXenes attractive for biosensing applications. The high conductivity allows these materials to be
used in the design of electrochemical biosensors and the multilayered configuration makes them
an efficient immobilization matrix for the retention of activity of the immobilized biomolecules.
These properties are applicable to many biosensing systems and applications. This review describes
the progress made on the use and application of MXenes in the development of electrochemical
and optical biosensors and highlights future needs and opportunities in this field. In particular,
opportunities for developing wearable sensors and systems with integrated biomolecule recognition
are highlighted.

Keywords: MXenes; 2D nanomaterials; biosensors; wearables

1. Introduction

Since the discovery of graphene, two-dimensional (2D) nanomaterials have gained significant
attention due to their high surface area, electrical conductivity, functionalized surfaces,
and mechanical properties. Prime examples include materials such as silicene, germanene, boron nitride,
and molybdenum sulfide. 2D materials offer exceptional physical, chemical, and structural properties
that make them useful in a wide variety of applications such as sensors, energy storage and conversion,
optoelectronics, and catalysis. MXene is an emerging class of 2D transition metal carbide, nitride,
or carbonitride added to the 2D nanomaterial group initially developed by Gogotsi and coworkers in
2011 [1]. MXenes have general formula Mn+1Xn where M is an early transition metal while X is carbon
and/or nitrogen, synthesized by the selective etching of MAX phases [2]. MAX phases are layered
ternary carbides and nitrides with a general formula Mn+1AXn, where A represents elements from
the group 13 and 14 of the periodic table. The term MAX phases were established in the late 1990s,
but most of these phases were discovered 40 years ago. A renewed interest in the application of MAX
phases started in 1996 due to their unusual combination of chemical, physical, electric, and mechanical
properties resulting from their layered structure supported by a strong mixed metallic-covalent M X
bond and a relatively weak M A bond [3].

To date, 70 different MAX phases have been reported, while more than 20 members of the MXenes
family have been synthesized, and dozens more are predicted, making it one of the fastest-growing 2D
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material families. Typically, 2D materials MXene are synthesized by removing the A layer from their
parent MAX (remaining MX-) phases and are structurally similar with graphene (hence named -ene).
Additionally, the MXene family comes in three atomic structures, ranging from M2X to M3X2 and M4X3,
yielding tunability, and opportunity to discover and mold materials based on application requirements.
Recently, the MXene family has been expanded to include double transition metal MXenes with
formula M′2M”C2 and M′2M”2C3.

The most successful synthesis route of Ti3C2 involves the wet chemical etching in hydrofluoric
(HF) acid or HF containing/forming etchants. The wet chemical route is based on three simple
steps: (1) Etching, (2) delamination, and (3) intercalation. Due to the use of HF as an etchant,
MXene layers are primarily terminated with F and OH/=O functional groups, abbreviated as Tx to
give a general formula of Mn+1XnTx, n = 1–3. The etching is simply done by immersing the MAX
phase in HF. Alhabeb et al. studied the effect of different concentrations of HF on the morphology
of the resulting MXene. The results of the study have shown that Al can be etched by using
HF concentration as low as five weight percent; however, for low HF concentrations, the MXene
did show the characteristic accordion-like morphology that was observed in the case of 30% HF.
After completing the etching process, the powder was washed thoroughly with deionized water by
successive centrifugation cycles at 3500 rpm. After each cycle, the supernatant was decanted and
replaced with fresh deionized water. The washing process continued until the pH of the supernatant
has reached 6 to 7. Delamination is the second crucial step in the synthesis protocol that enhances the
accessible surface area of the nanomaterial. In order to delaminate MXene nanosheets, the van der Waals
forces between the adjacent MX sheets have to be broken. This barrier is relatively strong for MXenes
(with their ~2.2 Å interlayer distance) compared to that of graphene (3.35 Å). A well-established method
for the delamination of MXenes is to increase the interlayer distance through intercalation, achieved by
inserting external elements (ions or molecules) in between the layers of the laminated material.
Large, organic molecules, such as dimethyl sulfoxide (DMSO), isopropylamine, tetraalkylammonium
hydroxides (TBAOH), were some of the first intercalants used for expanding the interlayer spacing of
Ti3C2Tx MXenes synthesized with HF [4]. Figure 1 shows a general synthesis scheme for producing
MXenes (left) and examples of SEM micrographs (right) displaying the ‘accordion’-like morphology
that is typical of various MXenes compositions. For description of detailed synthesis methodologies,
readers are referred to other literature, specifically discussing the synthesis protocol of MXenes [5,6].
Most applications of these materials to date are in energy conversion, catalysis, and electronics
with emerging areas in structural, biomedical, and environmental fields [7–9]. The biosensing and
analytical measurement field remains relatively unexplored and provides unique opportunities for
future development.

Several prior works summarized the application of MXenes in chemical sensors [10],
particularly gas sensors [11] and their environment-related applications [10–13]. Here we focus on the
properties and suitability of MXenes as an immobilization matrix, signal transducer, and amplifier of
biomolecular recognition for the design of biological sensors. The first half of the review provides an
overview of the physical and chemical properties of MXenes that are of interest for the development
of bioanalytical sensors. The second half discusses specific examples of MXenes-based biosensors
with enzyme, antibodies, DNA, and aptamer recognition, and highlights recent developments on the
use of MXenes as supporting material for wearable devices.

296



Sensors 2020, 20, 5434

 

Figure 1. (Left) Schematic for the exfoliation process of MAX phases and formation of MXenes.
(right) SEM micrographs for (A) Ti3AlC2 MAX phases, (B) Ti3AlC2 after HF treatment, (C) Ti2AlC after
HF treatment, (D) Ta4AlC3 after HF treatment, (E) TiNbAlC after HF treatment, and (F) Ti3AlCN after
HF treatment. Reprint with permission [2]. Copyright© 2012, American Chemical Society.

2. Properties of MXenes for Bioanalytical Sensing

2D nanomaterials such as graphene, MoS2, boron nitride nanosheets, either alone or in
nanocomposite form, have demonstrated superior properties such as high surface area platforms
for the construction of different types of chemical and biological sensors. When used in
sensing design, these materials improved the performance of sensors in terms of sensitivity, selectivity,
and analyte binding. However, limitations such as high hydrophobicity, low biocompatibility,
low electrical conductivity, and difficulty in surface functionalization limit their incorporation in sensor
design at a commercial scale. MXenes complement the emerging class of 2D materials and provide
advantages for sensors design in terms of hydrophilicity, electrical conductivity, biocompatibility,
and above all, ease of functionalization due to the presence of surface functional groups. Furthermore,
MXene has high intercalation capacity, which is missing in other 2D nanomaterials. A comparison of
the fundamental characteristics of different nanomaterials is given in Table 1.

Table 1. Comparison of fundamental properties of various nanomaterials.

Nanomaterials
Surface Area

(m2 g–1)
Conductivity

(S/cm)
Band Gap

(eV)
Biocompatibility References

Graphene 450 2700 0 Biocompatible [14–16]

h-Boron
nitride 150–550 insulator 5.9 Dependent on

size and shape [17,18]

SWCNT 600 102–106 0.042 Unclear /under
debate [19–21]

MWCNT 122 103–105 1.82 Unclear/under
debate [19,20,22]

MoS2 8.6 10−4 1.89 Biocompatible [23–25]

δ-MnO2 257.5 10−5 to 10−6 1.33 Biocompatible [15,26,27]

MXene
(Ti3C2) 93.6 2410 0.1 Biocompatible [28–30]

The high electrical conductivity, thermal stability, hydrophilic nature, large interlayer spacing,
high surface area, and easily tunable structure make this new family of 2D nanomaterials extremely
attractive for a wide variety of applications. Because MXenes have a relatively low number of
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atomic layers, a single stack of MXene layers is typically less than 1 nm thickness, while the lateral
dimension is in the nm to μm range, depending on the composition, synthesis, and processing steps.
Moreover, by selecting double metal MXenes, it is possible to tune the valence states and relativistic
spin-orbit coupling [31]. Furthermore, the MXenes have a ceramic-like nature that is responsible for their
high chemical and mechanical stability. However, unlike traditional ceramics, MXenes have inherent
conductivity and a significantly larger surface area imparted by the composition and layered structure
of their molecular sheets made of carbides and nitrides of transition metals such as Ti. In addition,
the MXene surface can be functionalized with different functional groups that provides numerous
opportunities for surface state engineering, greatly extending their properties and applications. The ease
of functionalization is a particularly important feature of using MXenes in the design of bioanalytical
sensors that require materials with abundant functional groups at their surface. This high surface
functionality, in addition to their layered structure, provides the ability to bind, protect, and retain
the activity of biomolecules for specific targeting and recognition properties that are essential for
bioanalytical sensing. The versatility and compositional variety make MXene an extraordinarily
diverse and appealing class of materials for applications [31].

In the last 10 years, there has been growing interest in exploring the use of MXenes in the design of
supercapacitors [32,33], transparent conductors [34,35], field-effect transistors [36], Li-ion batteries [37,38],
electromagnetic interface shielders [39], catalysts [40], hybrid nanocomposites [41], fillers in
polymeric composites [42], dual-responsive surfaces, purifiers, [43,44] suitable substrates for
dyes [45], photocatalysts for hydrogen production [31], methane storage [46], and as well as
photothermal conversion [47]. Applications in electronic [48,49], magnetic [50,51], optical [1,52,53],
thermoelectric [54,55], and sensing devices [5,56] are being explored while new utilizations such
as reaction media to facilitate catalytic and photocatalytic processes, hydrogen storage [57,58],
and nanoscale superconductivity [59] are beginning to be investigated. Some of the MXenes are
predicted to be topological insulators with large band gaps involving only d orbitals [60,61]. This review
focuses on the applications of MXenes in the field of biological sensors, where MXenes have been used
as an electrode material exploiting their high catalytic, high surface area, charge transport properties,
and biocompatibility with biological matrices. The different classes of biosensing platforms and the
applications covered in this review are summarized in Figure 2.

Figure 2. Summary of different classes of biosensing platforms based on MXenes and their applications.
Immunosensors (reprinted with permission from [62]) Aptasensors (reprinted with permission
from [63]), Enzyme sensors (reprinted with permission from [64]).
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3. Classes of Bioanalytical Sensors Based on MXenes

3.1. Enzyme Sensors

Enzymes, as a bio-recognition element, offer distinct advantages such as substrate specificity and
high efficiency under mild conditions. Enzyme based electrochemical biosensing devices have been
developed extensively in the last few decades [1]. Despite progress, enzymes can lose their bioactivity
when directly immobilized onto electrode surfaces. Moreover, due to the deeply rooted location
of redox-active centers in enzymes, the direct electron transfer (DET) between these biomolecules
and the electrode surface is generally difficult and has been the subject of extensive investigations
as reviewed in a recent work [65]. Therefore, the use of nanomaterials has been found beneficial to
facilitate the electron transfer along with promoting retention of the bioactivity of immobilized enzymes.
Among different types of nanomaterials, 2D nanomaterials proved to be effective for improving the
DET from the enzyme to the transducer surface. Because MXene have a high surface to volume ratio
and are biocompatible, they provide a highly suitable matrix for the fabrication of enzymatic biosensors.
They can be used as a supporting platform for the immobilization of enzymes, promote diffusion,
and accelerate the electrode kinetics, thus improving DET transfer. MXenes are also expected to enhance
sensitivity and lower the detection limit of sensing devices. The most explored application of MXenes
reported in the literature is for glucose sensing using glucose oxidase (GOx) immobilized within stacked
layers of MXenes. For example, Chia et al. reported a Ti3C2 MXene, produced via HF etching and
subsequent delamination with tetrabutylammonium hydroxide (TBAOH), as a transducer platform
for the development of an electrochemical glucose biosensor with chronoamperometric detection.
The biosensor exhibited high selectivity and good electrocatalytic activity toward the detection
of glucose, with a linear range spanning from 50 to 750 μM and a limit of detection (LOD) of 23.0 μM
(Figure 3) [64].

Other works explored hybrid configurations that combine the layered structure of MXenes
with the properties of other materials to add additional functions. Gu et al. constructed a porous
MXene-graphene (MG) nanocomposite-based glucose biosensor [66]. The 3D porous nanostructure
was prepared using a mixing-drying process in which the size of the pores was controlled by tuning the
content of Ti3C2 and graphene. The synthetic methodology and the preparation process of the sensor
are displayed in Figure 4. The porous structure provided more open structures to embed GOx within
the internal pores, favoring retention of the GOx activity. The biosensor exhibited good electrocatalytic
properties towards glucose biosensing for the detection of glucose in human sera.

Other improvements have been achieved by decorating the surface of MXenes with metal
oxide nanoparticles (NPs), further increasing the surface area and conductivity of the electrodes and
maximizing the enzyme loading. A composite of Nafion-Au NPs-MXene was reported as electrode
material for the immobilization of GOx and subsequent detection of glucose [67]. The synergistic
effects of Au NPs and MXene sheets resulted in unique electrocatalytic properties, which enabled
the detection of glucose in the μM to mM range. Similarly, Ti3C2Tx nanosheets were modified
with β-hydroxybutyrate dehydrogenase and then used as a biosensor for amperometric sensing of
β-hydroxybutyrate, a biomarker for diabetic ketoacidosis. The developed biosensor best operated at a
potential of −0.35 V (vs. Ag/AgCl), displayed a linear range between (0.36 to 17.9 mM), a sensitivity
of 0.480 μA mM−1 cm−2, and a LOD of 45 μM. Later, the biosensor was successfully applied to the
determination of β-hydroxybutyrate in (spiked) real serum samples [68].
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Figure 3. (A) Schematic illustration of sensor fabrication; (a) exfoliation of Ti3AlC2 via etching with HF;
(b) delamination with TBAOH; (c) modifying the glassy carbon electrode with MXene; (d) loading of
glucose oxidase (GOx), and; (e) cross-linking glutaraldehyde (GTA) with GOx; (f) glucose detection
mechanism of the proposed biosensing system. (B) Chronoamperometry data (a) and calibration plot
(b) for Ti3C2–HF/TBA-based electrochemical glucose biosensor conducted using FcMeOH (2 mM) in
pH 7.2 PBS (electrolyte) and 0.15 V potential (reproduced with permission from reference [64]).

 

Figure 4. Preparation of (A) Ti3C2Tx MNS; (B) pure Ti3C2Tx film, pure graphene film, and MG hybrid
film for enzyme immobilization (reproduced with permission from reference [66]).
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Wang et al. reported a mediator free biosensor for the detection of H2O2 by immobilizing
hemoglobin (Hb) on an MXene modified electrode [69]. The use of MXene lowered the LOD
of the sensor to the nM range. A similar type of Hb-MXene based biosensor was reported for the
electrochemical detection of nitrite using cyclic voltammetry [70]. Kai et al. modified the MXene surface
with horseradish peroxidase (HRP) to fabricate an electrochemical biosensor for the detection of H2O2.
The HRP enzyme was immobilized on an MXene/chitosan/GCE electrode, and the film demonstrated
good electrocatalytic activity toward the reduction of H2O2. The amperometric biosensor displayed
a wide linear range from 5 to 1650 μmol. L−1, LOD of 0.74 μmol. L−1 and good operation stability.
The biosensor was successfully applied for the sensing of H2O2 traces in food samples [71].

MXene composites were also used to develop biosensors used for the ultra-sensitive detection
of phenol in real water samples. These sensors are based on the use of the Tyrosinase (Tyr)
enzyme entrapped within a chitosan composite that increased the adhesion of MXene-Tyr onto
the GCE. The mechanism for phenol detection involves the oxidation of phenol by Tyr into the
corresponding o-quinone. Afterward, the electrochemical reduction of the o-quinone producing
polyhydric phenol is measured electrochemically. A noticeable increase in the current vs. time
was observed with increasing the concentration of phenol. The sensitivity of Tyr-MXene-Chi/GC
(414.4 mA M−1) was about 1.5 times higher than that of Tyr-Chi/GC (290.8 mA M−1). The LOD was
12 nmol L−1 while the linear range was from 5.0 × 10−8 to 15.5 × 10−6 mol L−1 [4].

Other sensor configurations reported the use of MXene as a transducer for the detection of
organophosphorus pesticides (OPs). Zhou and his coworkers reported an acetylcholinesterase
(AChE) based sensor for the detection of malathion using Ti3C2 nanosheets and chitosan as an
immobilization matrix. The electrochemical behavior of the AChE/CS-Ti3C2/GCE biosensor was studied
by cyclic voltammetry and electrochemical impedance spectroscopy (EIS). The biosensor displayed
excellent performance against malathion with a LOD as low as 0.3 × 10−14 M [72]. In another report,
the same analyte, i.e., malathion was detected by AChE inhibition, using Ag modified MXene as
a transducer. The modification of MXene with Ag NPs amplified the electrochemical signal; a LOD of
3.27 × 10−15 M was reported in this case [73].

Another configuration was adopted to design a biosensor for OPs by combining
Ti3C2 MXene nanosheets with metal-organic frameworks (MOFs). The combined material,
a MOF-derived MnO2/Mn3O4, Ti3C2 MXene/Au NPs composite, was used as an electrochemical
biosensing platform with immobilized AChE enzyme, constructed as shown in Figure 5.
The vertically aligned, highly ordered nanosheets of Mn-MOF derived 3D MnO2/Mn3O4 combined
with MXene/Au NPs yielded a synergistic amplification effect, providing enlarged specific surface
area and good environmental biocompatibility. Using this biosensor, the detection of methamidophos
was achieved over a broad concentration range (10−12–10−6 M). TheLOD (1.34 × 10−13 M) of the
biosensor far exceeds the maximum residue limits (MRLs) for methamidophos (0.01 mg/kg) established
by European Union [74]. Applicability of several of these enzyme-based MXene biosensors has
been tested for food quality analysis. A Ti3C2 based double enzyme biosensor was reported for the
detection of inosine monophosphate (IMP), which imparts flavor to the meat and can be used as an
indicator to assess meat quality [75]. The developed biosensor was based on a nanohybrid structure
consisting of Ti3C2 MXene as a highly conductive and stable base material, modified with two enzymes
(5′-nucleotidase and xanthine oxidase) and a core-shell bimetallic nanoflower composed of an Au core
and a Pt shell. In this configuration, the MXene provided a stable biocompatible microenvironment for
enzyme loading, while the double-enzyme was used to hydrolyze IMP to produce H2O2, which can
be easily determined electrochemically through the bimetallic nanoflowers. Therefore, the content of
IMP was indirectly quantified by monitoring the current change due to H2O2 production. The LOD
achieved by this double enzyme biosensor was 2.73 ng mL−1 with a correlation coefficient of 0.9964
and a linear range between 0.04 and 17 g L−1.
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Figure 5. Illustration of the formation of MnO2/Mn3O4 composite (A), MXene/Au NPs (B),
the fabrication process of AChE-Chit/MXene/Au NPs/MnO2/Mn3O4/GCE biosensor for methamidophos
assay (C) (reproduced with permission from reference [74]).

3.2. MXenes Based Electrochemical Immunosensors

Immunosensors combining immunochemical reactions based on the antibody (Ab)-antigen
(Ag) recognition with an appropriate electrochemical transducer provide significant advantages for
bioanalysis, including cost-effectiveness, low reagent and sample volume, portability, high-specificity
and sensitivity, and high-throughput analysis [76]. Immunosensors have applications in various
fields of analysis, such as clinical medicine [77,78], environmental pollutant evaluation [79–81],
food inspection [82,83], and pathogenic microorganism detection [84,85]. The incorporation of MXenes
in the fabrication of immunosensors provide opportunities for increasing bioactivity of immobilized
Abs on electrode surfaces, increasing surface area, and improving detection sensitivity. Kumar et al.
fabricated an immunosensor for the detection of carcinoembryonic antigen (CEA) [62], an important
cancer biomarker found in the liver, breast, lung, colorectal, ovarian, and pancreatic cancer patients.
To fabricate the sensor, amino-functionalized Ti3C2 MXene was used to chemically immobilize -COOH
terminated-CEA. The electrochemical detection mechanism of the sensors is shown in Figure 6.
The MXenes were synthesized using a layer delamination method that reduces the surface defects in
the MXene and produces MXene nanoflakes with higher electrical conductivity. The biosensor showed
a linear detection range of 0.0001 to 2000 ng mL−1 with a sensitivity of 37.9 μA ng−1 mL cm−2 and
a stability up to 7 days. Recovery studies for the quantification of CEA in serum samples indicated
promising results.

Another MXene based CEA biosensor has been reported using a sandwich-type immunoassay
format in which Ti3C2 was first functionalized with amino silane (APTES) for covalent immobilization
of monoclonal anti-CEA antibodies (Ab1) with surface plasmon resonance (SPR) detection.
A MXene-hollow Au NPs (HGNPs) nanohybrid was synthesized and further decorated with
staphylococcal protein A (SPA) to immobilize the polyclonal anti-CEA detection antibody (Ab2)
and serve as signal enhancers. The capture of CEA resulted in the formation of an Ab2-conjugated
SPA/HGNPs/N-Ti3C2-MXene sandwiched nanocomplex on the SPR chip and the generation of a
response signal. This SPR immunoassay had a reported LOD of 0.15 fM and a linear range of 0.001 to
1000 pM.
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Figure 6. Schematic of the electrochemical carcinoembryonic antigen (CEA) detection mechanism
(reproduced with permission from reference [62]).

In other configurations, Chen et al. developed a Ti3C2 MXene-based interdigitated capacitance
immunosensor for the detection of prostate-specific antigen (PSA), an important biomarker for used
to screen prostate cancer. The normal levels of PSA in the serum of healthy males are less than
4.0 ng mL−1, whereas rising levels are associated with prostate cancer. The biosensor utilized an
MXene modified interdigitated micro comb electrode to immobilize anti-PSA capture Ab, whereas Au
NPs functionalized with horseradish peroxidase (HRP) and detection antibody were used as the
signal-transducer tags. To further increase the sensitivity of the assay, a tyramine signal amplification
and enzymatic biocatalytic precipitation were coupled with the main immunochemical reaction.
Under optimum conditions, the change of the immunosensor in the capacitance increased with
the increasing target PSA concentrations from 0.1 ng mL−1 to 50 ng mL−1 at a detection limit of
0.031 ng mL−1. The characteristics of the developed system are shown in Figure 7. Despite these merits,
one of the limitations of this immunosensor is the complex fabrication procedure and long reaction
time as compared to commercial enzyme-linked immunosorbent assays [86].

 

Figure 7. Analytical performance of the developed immunoassay (A) capacitance responses of
Ti3C2 MXene-based interdigitated immunosensor toward target PSA standards; (B) the corresponding
calibration plots; and (C) the specificity of capacitance immunosensor against target PSA and non-targets
including AFP, CEA, and CA 125 (reproduced with permission from reference [86]).

3.3. DNA/Aptamer Based Biosensor

Biosensors with nucleic acid detection using either optical or electrical output to monitor the
hybridization event have been widely reported as bioanalytical platforms for many applications [87].
Recently, MXenes have been explored as an electrode material to monitor the hybridization event
and enhance detection sensitivity. Zheng et al. reported a DNA/Pd/Pt nanocomposite for the
electrochemical detection of dopamine (DA) [88], an important catecholamine neurotransmitter in
living organisms that plays an essential role in the function of human renal, metabolism, cardiovascular,
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and central nervous systems [89]. Abnormal DA levels may indicate neurological disorders and a
variety of acute and chronic diseases such as Schizophrenia, Parkinson, and Alzheimer [90]. In the
developed biosensor, MXene nanosheets act as a matrix for the loading of the DNA and Pd/Pt. First,
the DNA was adsorbed on the MXene surface through π-π stacking interaction between the nucleotide
bases and MXene nanosheets, then the Pd and Pt NPs were synthesized in-situ in the presence of
DNA/MXene nanocomposite. The results revealed that the presence of DNA prevents the restacking of
Ti3C2 nanosheets and facilitates the even growth of PdNPs and Pd/Pt NPs. Moreover, the deposition of
Pd/Pt NPs onto Ti3C2 nanosheets enhanced the electrocatalytic activity of the nanocomposites towards
DA. In the final step, a GCE electrode was modified with the DNA/MXene/NPs composite to create the
DA biosensor. The amperometric biosensor exhibited DA detection capabilities in concentration range
of 0.2 to 1000 μM with a LOD of 30 nM (S/N = 3) and high selectivity against uric acid, ascorbic acid,
and glucose [88].

The detection of specific DNA sequences is significant, not only in clinical diagnostics but also
in the environment and food analysis fields. Wang and his coworkers developed a nanobiosensor
for gliotoxin [84], one of the most toxic mycotoxins produced by Aspergillus fumigatus, which poses
a serious threat to humans and animals health. The biosensor was prepared by modifying MXene
nanosheets with a tetrahedral DNA nanostructure (TDN), which acts as the main sensing element.
The stated benefits of incorporating MXenes in the sensor design included increasing the sensitivity and
providing an ample surface area for immobilizing a much greater amount of TDN onto the electrode.
Moreover, the titanium element on the surface of MXene nanosheets offers a facile method for assembly
via strong chelation interaction between the titanium and phosphate groups of TDNs, thus eliminating
the need for complex and costly chemical modification of TDNs, which is generally required for the
immobilization of TDNs onto the electrode. The amperometric response of the optimized biosensor
responded to gliotoxin concentrations increasing from 5 pM to 10 nM, with an LOD of 5 pM. Zhoe et al.
reported an impedimetric aptasensor for electrochemical detection of osteopontin (OPN), a cancer
biomarker that is also responsible for tumor growth and progression in human cervical cancer.
The aptasensor was based on Ti3C2 MXene-phosphomolybdic acid (PMo12)-polypyrrole (PPy)
nanohybrid used as an immobilization matrix for the anti-OPN aptamer. The fabrication procedure
of the developed aptasensor is represented in Figure 8. The PPy@Ti3C2/PMo12-based aptasensor
exhibited high selectivity and stability along with an extremely low detection limit of 0.98 fg mL−1,
and applicability in human serum samples [63].

Apart from its use as transducer surface in electrochemical biosensors, MXenes have also been used
as bioimmobilization material or quencher in optical DNA assays. For example, Peng et al. designed
an “off-on” fluorescent biosensor for the detection of Human papillomavirus (HPV) infection [91].
HPV is a human pathogen known to induce cervical cancer, the second most common cancer in
women [92]. The assay was designed based on a fluorescence quenching mechanism, which has
already been used in various fluorescence-based biosensors [93]. A fluorescent dye (FAM) labeled
ssDNA was used as a fluorescent probe while Ti3C2 MXene was used as a nanoquencher. In the
presence of Ti3C2, the fluorescence of the FAM tagged ssDNA probe (P) was completely quenched
while after interacting with its complementary DNA target (T), a P/T hybridized dsDNA structure
is formed, which resulted in the recovery of the fluorescence signal. Furthermore, Exonuclease III
(Exo III) was used to improve the sensitivity by enhancing fluorescence. Interestingly, when Exo III
was introduced in the hybridization process, the 3′ end of the newly formed dsDNA was recognized
by the Exo III, and then the hydrolysis of the P/T complex was initiated. This cycling process facilitated
by the Exo III enhanced the fluorescence of P/T lowering the limit for HPV-18 detection to 100 pM [91].
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Figure 8. Schematic diagram of the aptasensor fabrication based on PPy@Ti3C2/PMo12 for the
OPN detection. (reproduced with permission from reference [63]).

Utilizing MXenes as a nanoquencher, Zhang et al. designed a fluorescence resonance energy
transfer (FRET) bioassay for the detection of exosomes (Figure 9). This platform is based on a Cy3
dye-labeled CD63 aptamer (Cy3-CD63 aptamer)/Ti3C2 MXenes nanocomplex in which the fluorescence
of the dye was quenched by the MXene nanosheets, while the addition of exosomes in the reaction
mixture immediately recovered the fluorescence. The turn-on fluorescence phenomenon was ascribed
to the release of the Cy3-CD63 aptamer from the surface of MXenes because of the relative strong
specific recognition between the aptamer and the CD63 protein on exosomes. The assay achieved a
LOD 1.4 × 103 particles mL−1, which is reported as 1000× lower than the conventional ELISA based
assay [94].

 

Figure 9. Schematic illustration of the developed fluorescence resonance energy (FRET)-based
aptasensor (reprinted with permission from reference [94]).
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3.4. MXene for Next Generation Wearable Biosensors

Wearable electronics attracted considerable attention since the commercialization of smartphones
and other portable health monitoring devices due to their ability to provide substantial information
regarding the health of an individual. Early research in this field focused on the development
of physical sensors that could monitor the heart rate, oxygen level, movement such as steps and
calories burned, etc., but in the last years, the focus broadened to tackle challenges in health care
applications such as monitoring of disease biomarkers. The high specificity, portability, and low
power consumption of wearable biosensing devices hold promise for such applications. These include
biosensor platforms for noninvasive analysis of biofluids, such as interstitial fluid (ISF), sweat, saliva,
or tears. These fluids have been targeted mostly because of the advantage of noninvasive sampling,
minimizing the risk of infection during the sampling procedure and user-friendly operation.

Key characteristics when designing wearable devices are the flexibility, mechanical properties,
and conductivity of the material used as a sensing platform. Challenges include the integration
and scalability of the bioelectronics components in order to achieve the maximum performance in
an accurate and sensitive manner and ensure manufacturability. Large surface area nanomaterials
have been explored as materials for flexible sensors to increase the effective contact area and impart
favorable electrical and mechanical properties. MXenes represent a new wave of materials for
wearable sensors and biosensors. The main applications explored thus far include pressure and
strain sensors [95], piezoresistive sensors [96], and chemical sensors for detection of subtle pressure,
simultaneous monitoring of human activities, quantitative illustration of pressure distribution,
human-computer interaction, and electronic skin. The incorporation of MXenes in conjunction
with biomolecules for wearable applications is relatively unexplored but rapidly emerging.

Cheng et al. used MXene to fabricate a piezoresistive sensor with spinous microstructures inspired
by the human skin, which can be considered a sensitive biological sensor. The sensor was prepared
using a simple abrasive paper stencil printing method. The spinous microstructures effectively
increased contact area of the conductive channels, consequently improving the performance of the
pressure sensor: Low-pressure detection limit (4.4 Pa), fast response time (<130 ms), high sensitivity
(151.4 kPa−1), and excellent stability over 10,000 cycles [97]. Guo et al. presented a similar kind
of flexible, highly sensitive, and degradable pressure sensor. A porous MXene-impregnated tissue
paper was sandwiched between an interdigitated electrode-coated PLA thin sheet and a biodegradable
polylactic acid (PLA) thin sheet. The flexible sensor exhibited high sensitivity (10.2 Pa), fast response
(11 ms), low power consumption (10–8 W), biodegradability, and excellent reproducibility over
10,000 cycles [98]. Li and Du reported an MXene-Ag nanocomposite based sensitive strain sensor.
The sensor is based on 1D Ag nanowires, 0D Ag NPs and 2D MXene nanosheets. The Ag NPs act as a
bridge between the MXene sheets and the Ag nanowires. This design helped to increase the elasticity
and conductivity of the sensor. This fabric-based strain sensor was composed of elastic textile material
(double-covered yarn) that was doped and blended with Ag/MXene nanocomposite, creating a wearable
clothing material. The as-prepared sensor showed highly sensitive and stretchable performance with a
high gauge factor at an exceptionally large strain (350%). In addition to wearable textiles, the developed
sensor has potential applications in biomedical and fire safety applications [99]. Other configurations
use MXene in conjunction with hydrogels to produce wearable sensors [100,101].

Apart from these physical sensors, Lei et al. have developed an MXene-based wearable biosensor
for sweat analysis. The device was fabricated by using 2D MXene (Ti3C2Tx) nanosheets as material to
develop an oxygen-rich enzyme biosensor for H2O2 detection based on a Ti3C2Tx/PB (Prussian Blue)
composite and enzyme. Due to the high conductivity and excellent electrochemical activity of
exfoliated MXene, Ti3C2Tx/PB composites showed better electrochemical performance compared to
carbon nanotubes/PB and graphene/PB composites toward H2O2 detection. The sensing device contains
a versatile replaceable sensor component, which can be inserted and changed with customized sensors
prepared to track different analytes, i.e., glucose, lactate, or pH value (Figure 10). The substrate of the
device was composed of superhydrophobic carbon fiber that was used to create a tri-phase interface and
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protect the connector from sweat corrosion. The sensing performance of the as-prepared device was
evaluated using artificial sweat. Electrochemical results showed sensitivities of 11.4 μA mm−1 cm−2

for lactate 35.3 μA mm−1 cm−2 for glucose. Furthermore, the sensor was tested on human subjects and
used for sweat analysis. The obtained results showed simultaneous measurements of glucose and
lactate with high sensitivity and repeatability [102].

 

Figure 10. Schematic diagram of wearable sweat sensor (reprinted with permission from reference [102]).

4. Conclusions and Future Prospects

In summary, MXenes are an emerging class of 2D nanomaterials mainly composed of transition
metal carbides, nitrides, or carbonitrides. MXenes have gained substantial attention in fields such as
batteries and supercapacitors, and their application in chemical and biological sensors is growing.
This paper provided an overview of the MXenes properties and their incorporation in the development
of enzyme, antibodies, and aptamer-based bioanalytical sensors. As compared to the previously
discovered 2D nanomaterials, MXenes possess some superior characteristics such as hydrophilicity,
ease of functionalization, high electron transport capability, and vast compositional variety, high surface
area due to their “accordion-like” morphology, and biocompatibility, which makes them attractive for
biosensing applications. The surface terminal functional groups such as -O, -OH, -F are amenable to
functionalization with biomolecules and enable the development of innovative bioanalytical platforms.
A growing area is to incorporate MXene in wearable technologies and devices that have the
required stability, flexibility, and targeting properties to be interfaced with the human body. This area is
expected to grow in the future with new developments in processing, integration, and manufacturing.

Several challenges need to be addressed in order to utilize the full potential of this novel class
of materials. (1) Current synthetic methods to create MXenes involve the use of HF as an etchant.
The method is not environmentally-friendly and it cannot be easily scaled up, thus hindering production
at a commercial scale. Other mild etchants such as LiF/HCl, molten ZnCl2 have also been reported,
but the final yield is very low. Significant progress is needed to advance the sustainable and scalable
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synthesis of MXenes. Moreover, a large number of MXenes have been predicted theoretically, but
only a few have been actually produced by exfoliating MAX phases. Thus, it is important to shift
the synthesis procedure from theoretical prediction to wet chemical labs. (2) The HF based etching
method produces MXenes with randomly functionalized surfaces and it is difficult to obtain MXenes
with specific and uniformly distributed surface termination. (3) The presence of fluorine on the surface
hinders the use of MXenes in biomedical applications or for the immobilization of biomolecules.
Therefore, new fluorine-free synthesis routes with high yield need to be developed, or these groups
should be removed from the surface. (4) The top-down synthesis gives less control over tuning
the morphology and surface modification of the MXenes. Hence, a bottom-up synthesis approach
of MXenes should be developed as an alternative. (5) The long-time sonication for delamination
produces MXenes with high surface defects that could possibly alter the properties of MXenes.
Additionally, organic solvents are being used for intercalation and delamination, which is also not a
very environmentally friendly approach. (6) Lastly, the oxidation of MXenes in oxygenated solvents is a
major obstacle. Other approaches are needed to make it possible to use MXenes in the anodic potential
window without compromising the inherent physicochemical properties of MXenes. Looking ahead,
more effective synthesis and surface modification strategies are required to advance application of
MXene in the development of practical bioanalytical sensors and other applications. Scalability in
synthesis and processing as well as integration and more effective transduction, are needed to ensure
future growth and implementation of these materials in wearable sensing applications.
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Abstract: The current review is devoted to nanozymes, i.e., nanostructured artificial enzymes which
mimic the catalytic properties of natural enzymes. Use of the term “nanozyme” in the literature as
indicating an enzyme is not always justified. For example, it is used inappropriately for nanomaterials
bound with electrodes that possess catalytic activity only when applying an electric potential. If the
enzyme-like activity of such a material is not proven in solution (without applying the potential),
such a catalyst should be named an “electronanocatalyst”, not a nanozyme. This paper presents a
review of the classification of the nanozymes, their advantages vs. natural enzymes, and potential
practical applications. Special attention is paid to nanozyme synthesis methods (hydrothermal and
solvothermal, chemical reduction, sol-gel method, co-precipitation, polymerization/polycondensation,
electrochemical deposition). The catalytic performance of nanozymes is characterized, a critical
point of view on catalytic parameters of nanozymes described in scientific papers is presented and
typical mistakes are analyzed. The central part of the review relates to characterization of nanozymes
which mimic natural enzymes with analytical importance (“nanoperoxidase”, “nanooxidases”,
“nanolaccase”) and their use in the construction of electro-chemical (bio)sensors (“nanosensors”).

Keywords: nanoparticle; nanocomposite; nanozyme; synthesis; catalytic properties; nano-peroxidase;
nanooxidase; nanolaccase; electronanocatalyst; amperometric (bio)sensors

1. Introduction: Definition of Nanozymes, Classification, Advantages vs. Natural Enzymes,
and Potential Practical Applications

Enzymes are biological catalysts that play a key role in biological processes. They have long
been an indispensable tool in many chemical and biotechnological processes that are widely used
in food processing, industry, agriculture and medicine. Natural enzymes (except for ribozymes)
are proteins and are responsible for almost all biochemical reactions in living organisms. They are
characterized by high selectivity and extremely high catalytic activity (Table 1). However, natural
enzymes tend to have limited chemical and biological stability as well as a high cost due to complicated
technologies employed for their isolation and purification from biological sources. Although modern
molecular technologies (gene cloning, genetic and protein engineering, etc.) significantly facilitate
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these procedures, obtaining highly purified enzymes in commercial quantities is still a key challenge
for practical enzymology.

Table 1. Natural enzymes—biocatalysts of protein origin (except for ribozymes).

Advantages Drawbacks

An extremely high rate of enzymatic reactions: spontaneous
reactions can run for millions of years, while enzymatic ones run
for milliseconds.
Examples of particularly active enzymes:
-Catalase (2H2O2 → 2H2O + O2) 1 molecule of the enzyme
catalyzes the decay of 5 mln S per 1 min;
-Carbanhydrase (CO2 + H2O⇔ H2CO3 ⇔ H+ + HCO3

−): 36 mln
turnovers per 1 min.

Physicochemical instability to action of
environmental (chemical and
physical) factors.
Biological instability (susceptibility to
degradation by proteases).

High selectivity High costs of isolation and purification.

Artificial substitutes for enzymes were invented toward the end of the twentieth century [1,2].
Artificial enzymes include cyclodextrins with catalytic activity, abzymes (antibodies with catalytic
activity), synzymes (synthetic enzymes) and aptamers (DNAzymes and RNAzymes). They are usually
more stable than natural enzymes but are inferior in their catalytic activity and preparation costs due
to complicated synthesis technologies. As a rule, artificial enzymes are unfortunately not as substrate
specific as natural enzymes.

Nanozymes (NZs) are the newest class of functional nanomaterials [3–6] that have enzyme-like
activity. They possess increased stability and greater availability due to their simpler preparation
technologies. Described nanoscale materials include catalysts with different reaction specificities.
They are mainly oxidoreductases: peroxidase [7], haloperoxidase, catalase, glucose oxidase, sulfite
oxidase, superoxide dismutase (SOD), laccase, monoxygenase, CO oxidase, ferritin ferrooxidase [8],
different hydrolases (phosphatase, phosphotriesterase, chymotrypsin, carbonic anhydrase), as well as
proteases, endonucleases, DNA-ases, NO synthases, etc. [9–11].

The term “nanozyme” was defined by Wei and Wang in 2013 [3], although the first exciting
discovery of Fe3O4-based ferromagnetic nanoparticles (NPs) with peroxidase(PO)-like catalytic activity
was made in 2007 by Gao [12], as cited by Huang [6]. In our opinion, Prussian Blue is another
nanomaterial candidate for which catalytic activity toward hydrogen peroxide was proven for the first
time (see, for example, a review by Karyakin in 2001 [13]).

The most important advantage of nanozymes is their size/composition-dependent activity. This allows
the design of materials with a broad range of catalytic activity simply by varying shape, structure,
and composition. NZs also have unique properties compared to other artificial enzymes, including large
surface areas which significantly facilitate their further modification and bioconjugation. The ability of
nanomaterials to self-assemble is also a very important characteristic for biology and medicine, due to
easier incorporation of biological components into the nanomaterial’s structure (Table 2).

Table 2. Advantages of nanozymes.

(1) Availability and low preparation costs.
(2) Physicochemical and biological stability.
(3) High surface area.
(4) Self-assembling activity.
(5) Size/composition-dependent activity. Broad possibility for modification and regulation of activity.
(6) Compatibility with biological elements.

There is no official classification of NZs. Huang et al. (2019) [6] proposed dividing NZs into
two categories: (1) oxidoreductases (oxidases, peroxidase, catalase, superoxide dismutase, and nitrate
reductase); (2) hydrolases (nucleases, esterases, phosphatases, proteases, and silicatein). Such a
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classification could easily be expanded upon the discovery of novel NZs with other catalytic activities,
similarly to other natural enzymes allocated to Enzyme Committee (EC) classes.

Additional problems arise when attempting to classify NZs according to the chemical structure
of the catalytic nanocomposite (see Table 1 from [6]). Such classification will be rather cumbersome,
due to the broad chemical diversity of NZs. For example, the list of known NZs includes: NPs of
noble and transient metals, their hybrid forms, carbon NPs (graphene, carbon nanotubes, fullerene),
metal oxides, metal sulfides and tellurides, carbon nitride, quantum dots, 2D-nanomaterials with
confined single metal and nonmetal atoms [14], Prussian Blue NPs, polypirrole, hemin micelles and
many nanomaterials that have been functionalized or modified by organic ligands [3,5].

In many cases, the term “NZ” or “enzyme-mimicking activity” is used without a sufficiently strong
reason. On our opinion, these terms can be used properly only for materials whose enzyme-mimicking
activity has been proven in solution. In most papers, the catalytic activity was revealed only after
applying a potential to an electrode modified by the tested nanocomposite. In this case, the catalytic
nanomaterial should be named an “electrocatalyst” (“electronanocatalyst”), but not, strictly speaking,
a “nanozyme” or “enzyme mimic” (Figure 1). We therefore propose naming a catalytic nanomaterial
as a “NZ” (nanooxidase, nanoperoxidase, nanocatalase, nanolaccase, and so on) only when the
nanomaterial exhibits the enzyme-like catalytic activity in solution/suspension, without applying an
electrochemical potential.

Figure 1. Principal scheme of catalytic action of enzyme, nanozyme and electronanocatalyst.

Although in most cases the catalytic efficiency of NZs is lower compared to natural analogues,
it was reported that some NZs can compete with the enzymes. For example, the highest values for any
NZ reported to date belong to MnFe2O4 with a nanooctahedron morphology, whose turnover number
(kcat) and catalytic efficiency (kcat/KM) in the oxidation of 3,3´,5,5´-tetramethylbenzidine (TMB) are
8.34 × 104 s−1 and 2.21 × 109 M−1·s−1, respectively [15,16].

It is worth noting that in many (or even most) publications, the catalytic activity is presented only
by a Vmax value, without indicating the catalyst concentration. This is problematic, since the Vmax

depends on the catalyst (enzyme) concentration (Vmax = [E]·kcat). In order to compare the intrinsic
kinetic parameters of different nanocatalysts with each other or with natural enzymes, a catalytic
constant (a turnover number, kcat) must be used, or at least the Vmax value, but in conjunction with
the concentration at which the maximal reaction rate of the nanocatalyst was determined. Valuable
recommendations on this problem and standardization of experimental protocols for measurement of
enzyme-mimicking activity are presented by Jiang et al. [17].

As a consequence of their catalytic activity, NZs can be applied for practical use in scientific research,
biotechnology and food industries, agriculture, degradation of environmental pollutants (wastewater
treatment, degradation of chemical warfare agents), clinical diagnostics and pharmacology [6,17–19].
In addition to their use as diagnostic tools, nanozymes are promising catalytic components of therapeutic
drugs [6,8–11,20,21]. Due to the biocompatibility and magnetic properties of some NZs, they can be
used for targeted treatment of malignancies. NZs have the potential for serving as antioxidants in the
treatment of autoimmune, Alzheimer’s and Parkinson’s diseases, and for application as antibacterial
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agents. Using NZs in the construction of biosensors [18,19,22–24] and biofuel cells is very promising,
where high catalytic activity, chemical and biological stability, nanoscale size of catalytic elements,
and more cost-effective preparation are the most important challenges.

In the future, we can expect a sophisticated design of NZs in silico which will allow them to
compete with natural enzymes in catalytic efficiency and selectivity. NZs sensitive to regulation
by low-molecular effectors (activators and inhibitors) and able to catalyze cascade reactions will be
created, and their catalytic behavior will be adapted to different environmental conditions. Large
scale production will also be developed, based on cost-effective physicochemical methods and “green
synthesis” approaches.

To date, over 300 types of nanomaterials were found to possess intrinsic enzyme-like activity.
A large variety of NZs (or ENCs) simultaneously exhibit dual- or multienzyme mimetic activity [10].
Several reviews that summarize the new data concerning synthesis, characterization, bioanalytical
and medical application of NZs are published every year, and the number of these reports is rising
in a geometrical progression [10,23,24]. Thus, “nanozymology”, as a new field of science connecting
nanotechnology and enzymology, has great potential for further development and for many practical
future applications [10,17].

The current paper is devoted to reviewing the recent advantages and current challenges of using
NZs (or electronanocatalysts) as catalytic and recognition elements in biosensors. The catalytic
performance of NZs is characterized, a critical point of view on catalytic parameters of NZs
described in scientific papers is presented, and typical mistakes are analyzed. The central part
of the review relates to characterization of NZs which mimic natural enzymes with analytical
importance (“nanoperoxidase”, “nanooxidases”, “nanolaccase”) and their use in the construction of
electro-chemical (bio)sensors (“nanosensors”).

2. Methods for the Synthesis of Catalytic Nanomaterials

Catalytic nanomaterials are known to possess unique properties compared with natural
enzymes [25]. It was shown that activities of NZs are greatly dependent on the chemical structure,
particle size, shape and surface morphology, which could be affected by charges, coatings, dopings,
loadings and external fields. The morphology of synthesized NZs can be controlled due to rapid
development of nanotechnology techniques [16,26].

This section summarizes different methods for preparation of nanomaterials possessing
catalytic, mainly electrocatalytic, properties, in particular hydrothermal and solvothermal methods,
co-precipitation and sol-gel methods, etc. Their applications for construction of biosensors are also
described. Figure 2 presents the principal scheme illustrating methods of nanocatalyst synthesis.
The kinetic parameters for different types of nanocatalysts are summarized in Tables 3–11. Table 3
relates to the effect of synthetic methods on the structural and functional properties of ENCs.

Figure 2. Principal scheme of the methods for nanocatalyst synthesis.
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2.1. Hydrothermal and Solvothermal Methods

The main characteristics of the obtained NZs can be changed in accordance with the method
chosen for NZ synthesis. The most promising techniques for synthesizing nanomaterials are the
hydrothermal and solvothermal methods. Low-cost nanocrystals with well-controlled dimensions can
be obtained using the proposed approaches [26].

A series of spinel-type CoxNi1-xFe2O4 (x = 0, 0.2, 0.4, 0.5, 0.6, 0.8, 1.0) nanocatalysts were
synthesized using the solvothermal method, where ethylene glycol served as the solvent. The obtained
NZs were employed as enzyme mimics for the detection of H2O2. The Co0.5Ni0.5Fe2O4/CPE exhibited
a wider linear range and a higher sensitivity compared with H2O2-selective enzymatic biosensors
based on spinel-type ferrites, indicating a promising future for CoxNi1-xFe2O4 as enzyme mimics for
the construction of chemosensors [27]. The surface morphology of the synthesized CoxNi1-xFe2O4

ENCs was studied and a diameter of 70 to 130 nm was observed. The small size of the nanocatalysts
greatly increases the effective surface area for electrocatalytically active sites, and thus improves the
physicochemical properties of the amperometric biosensor [27] (Table 3).

Solid spherical crystals of CuO (CuO-ENCs) having an average size of 45 nm were prepared by
thermal decomposition of a precursor-Cu-based metal-organic gel (Cu-MOG). It was shown that the
obtained CuO-ENCs possessed high electrocatalytic activity in glucose oxidation and exhibited PO-like
catalytic ability. The CuO-ENC can also be used as a biomimetic for detection of cholesterol [28].
CuO-ENCs have high Brunauer-Emmett-Teller (BET) surface area of 20.16 m2·g−1, high pore volume
of 0.11 cm3·g−1 and the average pore diameter of ~2.5 nm [29]. In another example, two kinds of
carbon-based nanocatalysts with a size of 100–150 nm were synthesized using a combination of two
methods, a thermal method and a solid-state reaction, from the zeolitic imidazolate framework-8
(ZIF-8) [30,31]. The carbon cubic nanomaterial (labelled HCC) with the hollow structure was obtained
by chemically etching ZIF-8 with tannic acid, followed by a calcination process. The carbon cubic
nanomaterial with the porous surface (labelled PCC) was obtained by direct pyrolysis. The two
types of synthesized NZs, HCC and PCC, possess a BET specific surface area of 356 and 756 m2·g−1,
respectively [30].

Electrochemical detection of glucose and fructose based on gold nanoparticles (AuNPs) deposited
onto graphene paper has recently been proposed. These nanostructures were synthesized via two
approaches: thermal and laser dewetting processes [32]. Gold nanostructures obtained by both
methods exhibited major differences in their particle morphology. Both types of AuNPs were examined
by their ability to oxidize glucose and fructose. The corresponding analytical characteristics of the
constructed chemosensors are presented in Table 3.

It was shown that the BET of PCC was higher than that of HCC, indicating that PCC had more
specific area for analyte adhesion (Table 3) [30].

The gold/cobalt (Au/Co) bimetallic nanocomposite-decorated hollow nanoporous carbon
framework (Au/Co@HNCF) was synthesized as an ENC by thermal pyrolysis at 900 ◦C of the
Au (III)-etching zeolitic imidazolate framework-67 (ZIF-67) [33]. An ultrasensitive electrochemical
biosensor was developed to identify low levels of uric acid in human serum. Scanning electron
microscopy images showed that the Au (III)-etching ZIF-67 has a dodecahedron shape (Table 3).
The Au/Co@HNCF biosensor (7.88 cm2) exhibited a significantly higher electrochemical active surface
area than the bare glassy carbon electrode (GCE, 0.0155 cm2), indicating the existence of abundant
active sites on the Au/Co@HNCF modified layers.

2.2. Chemical Reduction

Chemical reduction is the most frequently used method, due to its rapidity and simplicity.
This technique enables producing NPs in which the morphology and particle size distribution are
controlled by changing the molar concentration of the reactants, the reductant type and the reaction
temperature [34]. The critical factor in achieving high chemical reduction is choosing the appropriate
reductants. Reduction of metal salts requires reactivity of the reduction agent to the redox potential
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of the metal. The obtained particles are small if the reaction rate during the synthesis process is too
fast [35]. However, if the reaction rate is too slow, particle aggregation may occur [36]. The synthesis of
hollow copper sulfide nanocubes (h-CuS NCs) was conducted via the chemical reduction method [37].
The average particle size was 50 nm and the specific surface area was 57.84 m2·g−1, which is larger
than that of general solid CuS (34.76 m2·g−1). h-CuS NCs exhibited promising signs for high
enzyme-mimicking catalytic activity (Table 3).

The chemical reduction method has been used for the synthesis of a peroxidase (PO)-like NZ
based AuNPs in combination with Pseudomonas aeruginosa–specific aptamer [38]. The average particle
size was ~20 ± 3 nm. The proposed bioelectrode structure can be used for detection of other bacterial
pathogens in water or biological fluids.

ENC-carbon supported Pt-NiNPs stabilized with oleylamine (Pt-Ni) were synthesized by chemical
reduction of metal salts [39]. The synthesized ENCs were near-spherical in shape, with a mean diameter
of 8.4 nm. The ENCs exhibited an active electrochemical surface area of 2.3 m2·g−1, which is lower
than that of the etched particles without surfactant (Table 3).

Metal-organic frameworks (MOFs) are composed of metal ions as nodes and organic ligands
as linkers and have diversified and tailorable structures. MOFs have high surface area and porosity,
exposed active sites and good biocompatibility, and for these reasons they attact wide attention
as a blooming alternative material. A multifunctional artificial enzyme was synthesized through
a combination of the chemical reduction method and electrodeposition technique by modifying
PtNPs on the metalloporphyrin MOF [40]. In the Pt@PMOF(Fe) complex, PMOF(Fe) could prevent
the aggregation of PtNPs, leading to high stability of the Pt NPs. Furthermore, PtNPs exhibited
catalase-and PO-like activities. In another example, oxidase-like nanosheets were prepared [41] using
the chemical reduction method modified by Hummers et al. [42], in which histidine enantiomers served
as both a reducing agent and a protecting ligand. Compared to the previously developed strategies,
this synthesis method is very rapid and mild and does not require heating, pressuring, and special
media. It is a mild synthesis strategy, where only two reactants of HAuCl4 and the His enantiomers
are involved, without additional catalysts or templates. The oxidase-like and electrocatalytic activity
of His@AuNCs/RGO was evaluated for the determination of nitrite (Table 3). The developed method
was used for the detection of nitrites in real samples [41].

The green synthesis procedure was recently proposed as an important method for producing
inorganic NZs. It is well known that living organisms can produce substances that act as reducing
agents [6,11,16]. For example, Han et al. proposed a new environmentally friendly technology for
synthesis of MoO3 NZs in which green algae (Enteromorpha prolifera, EP) were used as the reducing
agent [43]. The obtained MoO3 NZs revealed excellent PO-like activity and were used, together with
GOx, for colorimetric detection of glucose in human serum. In another work, Han and co-authors [44]
used bovine serum albumin (BSA) as a biotemplate for Co3O4 NZs synthesis. The obtained NZs had a
spherical morphology with an average diameter of 60 nm and exhibited catalase-like activities.

2.3. Sol-gel Method

In this method, a gel-like network containing both a liquid phase and a solid phase is formed.
The crystallinity, morphology and magnetic properties of the NZs can be controlled by choosing
an appropriate complexing agent, concentration and type of chemical additives, and temperature
conditions [28].

The synthesis of PtNPs polyaniline (PAni) hydrogel heterostructures was performed via the sol-gel
method [45]. Phytic acid was used as a complexing agent. The PtNPs loaded into the hydrogel matrix
were found to act as active catalysts for the oxidation of H2O2. The obtained PtNP/PAni hydrogel had
a 3D hierarchical structure consisting of connected PAni nanofibers with diameters of approximately
100 nm (Table 3). The porous structure of the PAni hydrogel allows immobilization of concentrated
enzyme solutions. Since water-soluble molecules can penetrate through the hydrogel, the PtNPs
preserve their ability to catalyze glucose oxidation.
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2.4. Co-Precipitation

Co-precipitation is a fast method for the synthesis of different types of nanocatalysts. Co-precipitation
is an excellent choice when higher purity and better stoichiometric control are required [46].
Xuan Cai et al. [47] prepared two kinds of nanomaterials by applying the co-precipitation synthesis
method: carbon spheres (Mn-MPSA-HCS) and hollow carbon cubic materials (Mn-MPSA-HCC) with a
size of 100 to 200 nm, respectively, for O2

•− sensing (Table 3). Physicochemical characterization of the
obtained nanocatalyst demonstrates that the Mnx(PO4)y monolayer was homogeneously dispersed on the
surface of the carbon structures without visible size or morphologies, thus providing numerous active
sites for reaction of analytes. The proposed method can be adapted as a universal strategy for fabricating
transition metal phosphates with all kinds of shapes and sizes for different applications and is particularly
promising for biosensing. In another example, Dashtestani et al. [48] used a combination of two methods
for nanocomposite synthesis: chemical reduction of HAuCl4 and co-precipitation of the obtained gold
nanoparticles (GNPs) with the copper(II) complex of cysteine (GNP/Cu-Cys). The combination of GNPs
and Cu-Cys complex increased the electrochemical signal toward O2

• (Table 3).
The sensitive electrochemical biosensor based on dual aptamers was proposed for detection of

cardiac troponin I (cTnI). The biosensor included DNA nanotetrahedron (NTH) capture probes and
multifunctional hybrid nanoprobes. First, the NTH-based Tro4 aptamer probes were immobilized on a
screen-printed gold electrode (SPGE) surface through the Au–S bond. Then, the hybrid nanoprobes
were prepared using magnetic Fe3O4 NPs as nanocarriers for immobilization of a cTnI-specific Tro6
aptamer, horseradish peroxidase (PO), PO-mimicking Au@Pt nanozymes and G-quadruplex/hemin
DNAzyme [49]. The constructed sensor exhibited a wide linear concentration range (10 pg·mL−1 to
100 ng·mL−1) and a low LOD (7.5 pg·mL−1) for cTnI (Table 3).

2.5. Polymerization and Polycondensation

NZs can be obtained either by using insoluble polymers or by cross-linking of a soluble polymer [50].
Mesoporous SiO2–L-lysine hybrid nanodisks were synthesized by Han et al. [51] via hydrolyte
polycondensation of tetraethylorthosilicate in the presence of CTMB and L-lysine. The prepared hybrid
nanodisks have a high surface area (570 m2·g−1) and ordered mesopores with a size of about 2.9 nm.
The obtained hybrid nanodisks possessed excellent biocompatibility to L-lysine. An electrochemical
biosensor for superoxide anions (O2

•−) was constructed based on this result.
In another example, Santhosh et al. [52] synthesized composite core-shell nanofibers consisting of

gold NPs on poly(methylmethacrylate) (PMMA) by the combination of an electrospinning technique
and in situ polymerization of aniline. The average diameter of the PMMA fibers was 400–500 nm.
The surface of the fibers was fairly smooth and randomly oriented. The proposed core-shell fibers
were used for electrochemical detection of the superoxide anion (O2

•−).

2.6. Electrochemical Deposition

Electrochemical deposition is a low-cost method for obtaining metal nanocatalysts. However, it is
usually used less often than chemical reduction methods [53]. The process is simple and includes an
immersion of a conductive surface into a solution containing ions of the material to be deposited and
application of a voltage across the solid/electrolyte interface. In the course of this procedure a charge
transfer reaction causes the film deposition [54]. The disadvantage of this method is in impossibility of
controlling the morphology. However, it has certain advantages: (1) short synthesis time; (2) absence
of chemical reductants or oxidants; (3) absence of undesired byproducts [55]. Electrodeposition is
applied using different electrochemical techniques: cyclic voltammetry, potential step deposition
method and double-pulse deposition [56]. The particle size can be controlled by adjusting the current
density or applied potential and the electrolysis time [57]. Electrodeposition is used for synthesis of
nanostructural materials with and without templates. Templates utilized for electrodeposition include
porous membranes with a 1D-channel, liquid crystal materials and surfactants [58].
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Gallay et al. [59] prepared a hybrid nanocomposite using the electrochemical electrodeposition of
RuNPs on the surface of avidin-functionalized multiwalled carbon nanotubes by applying a potential
of −0.600 V for 15 s in a 50 ppm ruthenium solution under stirring. The nanohybrid-electrochemical
interfaces had excellent PO-like properties toward H2O2 (Table 3).

A simple method for the electrochemical detection of methylamine and ethanol in real samples of
food and alcoholic beverages using PtRu NZ as artificial PO was reported recently [60]. PtRuNPs were
synthesized on the surface of a graphite electrode (nPtRu/GE) by electrodeposition of 1 mM RuCl3
and a H2PtCl6-containing solution using the method of cyclic voltammetry in the range of −1000 to
+1000 mV with a scan rate of 50 mV·min−1 during 10 cycles. The resultant nPtRu/GE turned dark
brown-golden due to the formation of nPtRu. Morphological properties of the PtRu-film were studied.
It was shown that the average thickness of the deposited layer was 60 nm and it was proven that the
obtained layer was nanosized.

Electrosynthesis of AgNP/NCF/GCE was performed by a combination of thermal reduction and
electrodeposition methods through thermal synthesis of an electroconductive nitrogen-doped cotton
carbon fiber composite (NCF) followed by electrodeposition of AgNPs onto NCF [61]. The developed
AgNP/NCF/GCE electrode exhibited outstanding performance toward O2

•−, with a wide linear range
and a super-low detection limit.

As mentioned, the applied nanocatalyst synthesis methods can influence their structural and
physical properties [25,62–64]. The effect of different synthesis methods on structural properties of
ENCs with electrocatalytic interfaces are presented in Table 3.

3. Catalytic Performance of Nanozymes

Development of new nanocatalysts, including NZs, with higher catalytic activity expands their
applications in bioanalytics. As a rule, the activity of NZs is lower than that of enzymes and
their catalytic performance strongly depends on: (1) the method of synthesis (pH, reaction time
and temperature) [25]; the composition of the nanomaterial [16,65]; the shape, size, dispersity and
final morphology [66]; the mass ratio of the components in the nanocomposite [67]; and surface
functionalization [40,68–70].

The catalytic performance of NZs, as well as their efficiency, is quantitatively estimated by
kinetic properties: KM, Vmax (at a defined nanocatalyst concentration), kcat, kcat/KM ratio, IC50 and
morphological characteristics: specific BET surface areas, pore volume, pore diameter, crystallite size.

The enzyme mimics follow Michaelis–Menten kinetics, which is similar to natural enzymes. It has
been found that the activity of NZs is strongly dependent on the pH, temperature and substrate
concentration. The rate of the reaction is generally determined by the reaction extent as a function of
time. It is known that KM and kcat are two key parameters for quantifying the catalytic ability of an
enzyme, where KM characterizes the affinity of the enzyme to its substrate. The main manifestation
is that low KM values reflect high affinity of the enzyme for the substrate. Vmax describes the
reactivity of the enzyme (at a fixed concentration) when saturated with the substrate. KM and kcat

are therefore among the important reference standards for judging the superiority of an enzyme
vs. a NZ [27]. Different substrates (chromogenic, fluorogenic or chemiluminescent) are used for
experimental detection of the enzyme-like activity of NZs. It was shown that His@AuNCs/reduced
graphene oxide (His@AuNCs/RGO) exhibits phenol oxidase mimic activity and possesses a low KM

value (0.031 mM) with a Vmax value of 6.55 × 10−8 M·s−1 at a nanocatalyst concentration of 8.28 mg·L−1.
Of the other four synthesized types of AuNCs, the best catalytic performance for oxidizing TMB was
shown for the His@AuNCs/RGO variant. It was assumed that His@AuNCs react via enzyme-like
catalytic centers, when substrates and active sites of His@AuNCs are located on the RGO sheets.
The “co-interaction” between the His@AuNCs and RGO increases the speed of electron transfer from
TMB to oxygen, leading to enhanced catalytic activity [41].

In another example, the catalytic steady-state kinetics for CoFe2O4 CF300 was estimated using
TMB and H2O2 as substrates [71]. It was shown that the PO-like reaction followed a Michaelis-Menten
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kinetics toward both substrates. The KM
app for TMB of the CF300 is 0.387 mM, which is practically the

same as reported for PO (0.434 mM). The KM for H2O2 of the CF300 is 8.89 mM, which is two-fold
higher than for PO (3.7 mM), showing that CF300 has a lower affinity for H2O2.

Although in most cases the catalytic efficiency of NZs is lower compared to natural analogues,
it was reported that some NZs can compete with the enzymes. For example, the highest values for any
NZ reported to date belong to MnFe2O4 with a nanooctahedron morphology (see Introduction) [14,15].

Three-dimensional nanomaterials, containing confined single atoms, possess increased catalytic
activity due to mutual effects of unique geometric and electronic structures of the matrix and intrinsic
catalytic activity of confined atoms [65]. Shackery and coworkers [72] recently prepared a glucose
oxidase-like catalyst based on cobalt hydroxide [Co(OH)2] nanorods on a 3D-graphene network using
the chemical deposition method. The obtained nanocomposite was used for glucose detection. It was
demonstrated earlier that the redox reaction of Co(OH)2 at the graphene surface is a diffusion-controlled
electrochemical process [73]. Oxidation of Co(OH)2 to CoOOH is reflected by the peak at ∼0.445 V (vs.
Ag/AgCl), and the reverse process corresponds to the cathodic peak at around ∼−0.08 V (vs. Ag/AgCl).
A possible electrochemical reaction is as follows:

The constructed amperometric sensor demonstrated a high sensitivity for glucose
(36,900 A·M−1·m−2) and a very low LOD (16 nM).

In another example, it was shown that octahedral cuprous oxide (Cu2O) in combination with
carbon quantum dots (CQDs) could be an efficient electrocatalyst for the detection of glucose [74],
The CQDs/octahedral Cu2O showed higher electrocatalysis for glucose oxidation and H2O2 reduction
than the octahedral Cu2O. The cyclic voltammograms showed an oxidation peak at +0.6 V reflecting
the conversion of Cu(II) to Cu(III) and showing high electrocatalytic ability for oxidation of glucose
by the CQDs/octahedral Cu2O [75]. Equations (1)–(5) of the electrocatalytic oxidation reaction are
presented in Figure 3.

 

Figure 3. Carbon quantum dots/octahedral Cu2O nanocomposites for non-enzymatic glucose assay.

Pirmohamed et al. [76] showed that nanoceria (CeNPs) is a redox active catalyst which possesses
two oxidation states (Ce+3/Ce+4) and contains transportable lattice oxygen located on its surface
which facilitates the interchangeable conversion of Ce+4 and Ce+3. Hayat et al. [77] found that
the dual oxidation state and high mobility of surface oxygen are responsible for the oxidase-like
activity of CeNPs toward phenolic compounds. It was shown that CeNPs exhibits the lowest KM

app

value: 0.25 μM for dopamine and 180 μM for catechol, among the other nanomaterials (Table 10).
For comparison, the KM

app values of the optimized enzymatic reaction using tyrosinase under the
same reaction conditions were 0.3 μM and 200 μM for dopamine and catechol, respectively.

Another quantitative characteristic that evaluates the effectiveness of NZs is the half maximal
inhibitory concentration (IC50), reflecting the ability of a substance to inhibit certain biological or
biochemical functions. A nanocomposite based on gold NPs and the copper(II) complex of cysteine
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(GNPs/Cu-Cys) was synthesized by Dashtestani and colleagues [48]. The SOD mimetic activity
of a Cu-Cys and GNPs/Cu-Cys nanocomposite was determined using the pyrogallol autoxidation
inhibition assay. The half-maximal inhibitory concentration of the nanocomposite was 0.3 μg·mL−1,
which is 3-fold higher than that of the native enzyme. However, the authors did not indicate how the
concentrations of both catalysts were normalized. The IC50 values of the compounds indicate that all
individual components related to the GNPs/Cu-Cys nanocomposite exhibited SOD mimic activity.

The enzyme-like activity can be controlled by the shape, size, crystallinity and final morphology
of the NZs [78–80]. Liu et al. [79] showed that different nanocrystalline shapes had different PO-like
activities. The activities of the NZs in descending order according to shape, can be presented in the
following order: cluster spheres > triangular plates > octahedral. The activity depends on the exposure
of catalytically active iron atoms or crystal planes. Two kinds of nanomaterials for O2

•− sensing were
prepared: hollow carbon spheres and hollow carbon cubic nanomaterials with a size of 100 to 200 nm,
respectively [47]. The electrochemical sensor prepared using the hollow carbon sphere NZ exhibited
an extremely low detection limit of 1.25 nM and was successfully employed in the dynamic monitoring
of O2

•− released from HeLa cells (Table 3). In another example, a detailed study for investigating
the effects of particle size and morphology on the PO-like catalytic activity of magnetic cobalt ferrite
(CoFe2O4) was performed [81]. CoFe2O4 NZs having different shapes (near corner-grown cubic,
near cubic, polyhedron and star-like) were synthesized when varying the amounts of iron and cobalt
acetylacetonates precursors and changing the reaction temperature. To increase the suspensibility of
NPs in water solution, the obtained CoFe2O4 were modified with PEG-3,4-dihydroxybenzylamine.
The catalytic activity was structure dependent (in descending order according to a shape): spherical
> near corner-grown cubic) > star like > near cubic (> nanopolyhedrons. The kinetic studies of the
obtained CoFe2O4 showed that star-like shaped CoFe2O4NPs with 4 nm-sized had the highest affinity
for TMB and H2O2 compared to the other NPs obtained in the study [81].

The affinity of the NZs to substrates can be changed by a procedure of surface functionalization [82].
Ling et al. recently synthesized a new artificial nanocatalyst based on metalloporphyrinic metal organic
frameworks (PMOF(Fe)) and PtNPs [83]. It was shown that Pt@PMOF(Fe)NPs showed high activity
toward the oxidation of o-phenylenediamine (OPD) as a chromogenic substrate and H2O2 as the
oxidant. This mechanism can be summarized in the following reaction:

 

It was found that when Pt@PMOF(Fe) was mixed with H2O2 and OPD, the Fe center provided an
electron to PtNPs forming high-valence Fe, due to the synergistic effects between PMOF and PtNPs,
and the compound, which included Fe(IV) = O and a porphyrin π cation radical, generated via the
reaction between Fe(III) and H2O2. OPD then was easily oxidized. Thus, PtNPs enhanced the PO-like
activity of Pt@PMOF(Fe) [40].

The mass ratio (Ni-MOFs to Fe-MOFs) is one of the crucial factors influencing the catalytic activity
of nanocatalysts. The catalytic performance of Fe-Ni-n (where n is the mass ratios) was explored by
optimizing the mass ratios (Ni-MOFs@Fe-MOFs). Due to differences in the morphology and specific
surface area of Ni-MOFs and Fe-MOFs, the optimal load of Ni-MOF nanosheets on octahedral Fe-MOFs
was realized with the increase in n. When n = 2, the nanosheets and octahedron achieve relatively
sufficient mixing. However, the n value is too small for the nanosheets to adequately cover every
surface of the octahedrons. On the other hand, if the n is too large, there would be extra nanosheets
that are not coated on the octahedrons [67].

It was shown that the activity of nanocatalysts is strongly dependent on their composition.
PtRuNP alloy with a suitable degree of alloying (e.g., Pt90Ru10) can mimic oxidase (ferroxidase), PO,
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SOD and catalase. These enzyme-like activities correspond to the redox enzymes: oxidase and PO
which catalyze oxygen and H2O2 reduction, respectively, and SOD and catalase which are responsible
for disproportionation of superoxide and H2O2 decomposition, respectively. It was found that varying
the composition of PtRu alloys affects their ability to facilitate electron transfer, since these reactions
involve a transfer of electrons. Such dependence on the alloy composition was observed for all four
enzyme-like reactions [66].

A fast, effective and low-cost method for production of ZnFe2O4 nanoparticle-decorated ZnO
nanofibers using co-electrospinning and the sequence annealing process has recently been proposed [83].
It was shown that the presence of ZnFe2O4 NPs on the surface of ZnO nanofibers and formation of
heterostructures significantly improved the PO-like activity compared with ZnFe2O4 NPs. Furthermore,
the smaller-sized NPs had a higher activity. The obtained results suggest that the surface-to-volume
ratio, the composition and the size of the NZs play a critical role in their catalytic activities [84].

4. Nanozymes as Peroxidase Mimetics

Peroxidases (PO, E.C. 1.11.1.7) are oxidoreductases from a variety of sources, including plants,
animals and microbes, that contain an iron-porphyrin derivative (heme) in their active site and catalyze
the oxidation of diverse organic compounds using H2O2 as the electron acceptor. Some of the most
popular PO substrates with the highest chromogenic ability are 3,3′,5,5′-tetramethylbenzidine (TMB),
2,2′-azinobis[3-ethylbenzothiazoline-6-sulfonic acid] (ABTS) and o-phenylenediamine (OPD).

In the catalytic process, the Fe of the heme of natural PO provides H2O2 dissociation by changing
the Fe(III) to the Fe(IV) valence state in an intermediate with high oxidative activity. The enzyme’s
oxidative activity enables realization of the catalytic cycle. Therefore, if a nanomaterial is able to cause
a similar electron transfer, it can be called a NZ with PO-like activity (“nanoperoxidase”). Due to the
high reduction potential of POs, they are very promising for use as bioelectrocatalysts in biosensorics,
fuel cell technology as well as environmental biotechnology. Despite the benefits of POs, their wide
usage is still restricted, due to their fast inactivation in the presence of H2O2 under native physiological
conditions. Their low thermal and environmental stability reduces the possibilities for their practical
application. Screening the highly stable synthetic nanomaterials with PO-like activity for practical
application in the different fields of modern technologies thus seems very promising.

In 2007, ferromagnetic NPs became the first reported nanomaterials with PO-like enzymatic
activity [12]. Since then, the number of such materials has been growing constantly. These include
different material types, such as Nafion-cytochrome c [85], supramolecular complexes of hydrogel [86],
nanocomplexes of lanthanides [87–92], Co3O4@CeO2 hybrid microspheres [93], transition metal
oxides and their composites [71,94–99], as well as noble metals: Au [100], Fe/Au [101], Au/Pt [102],
Pt [103,104], Ru [105], Pt/Ru [60], Pd, Pd@Pt [106], Pd/Pt [107], Pd@γ-Fe2O3 [108], etc. In the last
decade, special interest in bionanotechnology has focused on the use of NZs based on carbon
materials such as fullerenes [109], Prussian blue [110], TiO2 [111] or Fe2O3/Pt-modified [112]
multi-walled carbon nanotubes, hemin-graphene hybrid nanosheets [113], Pt/Ru/3D graphene
foam [114], graphene oxide [115], Au/Pt/Au-graphene oxide nanosheets [116], Pd-magnetic graphene
nanosheets [117], hemin-graphene-Au hybrid [118], IrO2 [119], Cu-Ag [120] or Fe2O3-modified
graphene oxide [121] (Figure 4), Co-modified magnetic carbon [122], Co3O4 graphene composite [123],
carbon nanofibers [124], graphene quantum dots [125–127], graphene nanotubes nickel-/nitrogen-doped
and functionalyzed by PtNPs [128], carbon fiber-supported ultrathin CuAl layered double hydroxide
nanosheets [129], Fe3+-doped mesoporous carbon nanospheres [130] (Figure 5), and many others.

The kinetic parameters of different artificial POs toward H2O2 are presented in Table 4.
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Table 4. Comparison of the kinetic parameters of different types of artificial peroxidases and natural
enzyme toward H2O2 in solution.

Catalyst Concentration KM
app, mM Vmax, μM·s−1 kcat, s−1 Reference

Fe3O4 NPs 11.4 × 10−13 M 154.0 0.098 8.58 × 104 [12]
HRP 2.5 × 10−11 M 3.7 0.087 3.48 × 103 [12]

CoFe2O4 20 μg·mL−1 8.89 0.019 [71]
CeO2-MMT 300 μg·mL−1 3.4 0.010 [88]
CeO2 NPs 300 μg·mL−1 3.18 0.009 [88]

H/WS2-NSs 3.2 μg·mL−1 0.926 0.028 [89]
CeO2 NPs 40 μg·mL−1 0.28 0.009 [90]

BNNS@CuS 30 μg·mL−1 25 0.125 [92]
Co3O4@CeO2 50 μg·mL−1 7.09 0.430 [93]

Fe3O4@Cu@Cu2O 50 μg·mL−1 2.3 0.119 [95]
H2TCPP-γ-Fe2O3 18.5 μg·mL−1 21.1 1.3 × 10−3 [96]

γ-Fe2O3 NPs 100 μg·mL−1 157.2 0.013 [97]
Fe3O4@C YSNs 20 μg·mL−1 0.035 0.033 [99]

CuO 100 μg·mL−1 440 0.161 [98]
Zn-CuO 100 μg·mL−1 71 0.003 [98]

H2TCPP-CeO2 40 μg·mL−1 0.25 0.013 [90]
Pt/CeO2 NPs 10 μg·mL−1 0.21 0.085 [91]

Pt NCs 1 × 10−4 M 3.07 0.182 1.8 × 10−5 [104]
Ru NPs 10 μg·mL−1 2.2 0.580 [105]
Pd NPs 5.06 × 10−12 M 4.4 0.065 1.3 × 104 [106]

Pd@Pt NPs 1.9 × 10−12 M 2.23 0.050 2.5 × 104 [106]
Pd@γ-Fe2O3 1.35 × 10−6 M 0.25 0.128 9.4 × 10−2 [108]

C60[C(COOH)2]2 2 × 10−5 M ~50 0.003 1.6 × 10−4 [109]
Fe2O3/Pt/CNTs 10 μg·mL−1 ~0.1 6 × 10−5 [112]

GO-COOH 40 μg·mL−1 3.99 0.039 [115]
H-rGO-Au 0.5 μg·mL−1 3.1 0.121 [118]

IrO2/GO 2.4 μg·mL−1 5.19 ~0.300 [119]
Cu-Ag/rGO 5 μg·mL−1 8.63 0.070 [120]
GO-Fe2O3 ~1.25 × 10−1 M 305.0 0.101 8.1 × 10−7 [121]

MC 10 μg·mL−1 0.74 0.028 [122]
CNFs 5 μg·mL−1 3.0 0.390 7.8 × 10−2 mmole·g−1·s−1 [124]
CQDs 15 μg·mL−1 26.77 0.306 [125]
CQDs 0.49 0.026 [126]

GQDs/CuO 70 μg·mL−1 0.098 0.032 [127]
CF@CuAl-LDH 50 μg·mL−1 0.59 0.003 [129]

Fe3+-MCNs 25 μg·mL−1 161.0 0.007 [130]

Figure 4. Scheme of catalytic action of graphene oxide-based Fe2O3 enzyme-like mimetic of peroxidase
and catalase [121] (modified).
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Figure 5. Schematic representation of the synthesis of Fe3+-decorated mesoporous carbon nanospheres
(Fe3+-MCNs) and their peroxidase-mimicking catalytic activity [130] (modified).

H2O2 molecules are known to participate in numerous biological processes. Its analysis is routine
for all newly synthesized PO mimics. Moreover, many natural enzymes (oxidases) produce H2O2 as
a byproduct of their enzymatic reaction, so that detection of the target substrate can be performed
bymeasuring generation of H2O2. PO-like NZs can be combined with oxidases of protein nature
expanding the detection range of analytes using electrochemical biosensing. In the last decade,
numerous hybrid amperometric biosensors based on PO mimetics coupled with natural enzymes,
mostly oxidases (e.g., glucose oxidase, alcohol oxidase, and lactate oxidase), have been described.
Because of the high pull of researches in this field, we singled out only recently described NZ-based
sensors for H2O2 detection, without describing the hybrid biosensors. All analyzed PO-sensitive
sensors belong to electrochemical ones with voltammetric or amperometric detection. Their main
operational characteristics are presented in Table 5.

Table 5. The main operational characteristics of the recently described electrochemical sensors based
on H2O2-sensitive nanozymes.

Catalyst/Electrode Type
Working

Potential, V
Linearity, mM LOD, μM

Sensitivity,
A·M−1·m−2

Reference

Fe3O4/3D GNCs//GCE −0.2 0.0008–0.33 0.08 2742 [131]
α-MnO2//GCE −0.4 0.0002–0.1 0.08 5.5 [132]

AuNBP/MWCNTs//GCE −0.5 0.005–47.3 1.50 1706 [133]
Fer/rGO-Pt//GCE +0.1 0.0075–4.27 ~0.38 3400 [134]
rGO/Pt-Ag//GCE −0.05 0.005–1.5 0.04 6996 [135]

GBR//GCE +0.9 0.1–10.0 48.0 [136]
CMC@Pd/Al-LDH//GCE −0.38 0.001–0.12 0.30 163 [137]
Pt/PANI/MXene//SPCE +0.3 0.001–7.0 1.00 [138]

CuOx/NiOy//GCE −0.35 0.0003–9.0 0.09 2711 [139]
GDCh-NiO//RDE +0.13 0.00001–0.0039 0.0015 1072 [140]
Pt-Pd/MoS2//GCE −0.35 0.01–0.08 3.4 764 [141]

N-CNFht//GCE −0.4 0.01–0.71 0.62 3570 [142]
Cu2O/PANI/rGOn//GCE −0.2 0.0008–12.78 0.3 394 [143]

WCC//GCE −0.4 0.05–1.0 0.006 67 [144]

Prussian blue (PB) is one of the most effective PO mimetics. PB or iron(III) hexacyanoferrate(II)
is a member of a well-documented family of synthetic coordination compounds with an extensive
300-year history. It was produced commercially in the past and used as a pigment for paints, lacquers,
printing inks and laundry dyes [145,146].

PB and its analogues (PBAs) are cheap, easy to synthesize, environmentally friendly and
are prospect for wide applications in different fields, including basic research and industrial
purposes [10,147–151] as well as in medicine [24,152–158].

328



Sensors 2020, 20, 4509

Despite their multifunctionality, the composition of PBAs is quite complicated and tightly depends
on a method of synthesis and storage conditions. [146,149–151,159,160]. Insoluble PB can be described
by the formula Fe4[Fe(CN)6]3. KFe[Fe(CN)6] corresponds to a colloidal solution of PB [149,151].
The general formula of hexacyanoferrate (HCF) is Mk[Fe(CN)6]·xH2O, where M is a transition metal
(Figure 6). PBAs are usually obtained via various techniques, including chemical [146,149,159–162]
and alternative biological methods [163].

 
Figure 6. Hexacyanoferrates of transition metals: composition, structure and modification.

PBAs have gained extensive worldwide attention in the last two decades. The charge transfer
through two transition metal ions in the complex-compound salt, as well as the nanosize of HCF
particles, are the reasons for PBAs’ redox activity and super-magnetic properties. Due to these
remarkable properties, PBAs are widely applied as NZs in biosensors [146,147,150,164–168] and
alternative energy sources [149,160,165,168].

The enzyme-like properties of PBA in solution are difficult to analyze because of the ability of
PB and PBAs to simultaneously mimic the activities of several ROS-enzymes (PO, SOD and catalase).
Numerous papers (see Table 6) described the ability of PBA-NZ to react with typical ROS-enzyme
substrates, such as TMB, ABTS and NADH [169].

Table 6. The main kinetic characteristics of the PBA-based PO-like nanozymes in solution.

PBA Concentration Chromo-Gene KM
app, mM

Vmax,
μM·min−1

kcat,
nmol·μg−1·min−1

LR, μM Reference

PB/γ-Fe2O3 20 μg·mL−1 TMB 323.6 1.17 0.059 [12]
VOxBG hydrogel 5 μg·mL−1 TMB 20 0.045 0.009 [161]

PO TMB 3.7 0.009 [161]
PB-MIL-101 (Fe) 200 μg·mL−1 TMB 0.058 1.32 0.0066 2.4–100 [166]

MoS xNi-Fe TMB [169]
PB, soluble form 6 μg·mL−1 TMB 14.7 0.012 0.002 [170]

PS@Au@PB 300 μg·mL−1 TMB 0.17 0.38 0.001 [171]
Au@HMPB (40 ◦C) 40 μg·mL−1 TMB 88.72 2.50 0.063 [172]

PB 0.2 μM ABTS 0.028 [173]

PB-Ferritin
PB/Fe2O3

0.74 nM
0.74 nM
0.31 nM

TMB
ABTS
TMB

11.984
0.537
323.6

43.2
0.36
70.2

58.38 × 103 min−1

0.49 × 103 min−1

226.5 × 103 min−1
[174]

MWCNTs-PB 1.33 6.6 0 1–1500 [175]

PB and PBAs are used successfully in optical biosensors as a result of their PO-like
properties [12,16,169–175]. The first communications concerning electrochemical reduction of H2O2

on PB-modified glassy carbon electrode were done by Itaya and colleagues [164,165]. Karyakin and

329



Sensors 2020, 20, 4509

colleagues published many reports over the last 25 years on the use of PB as an artificial PO in
amperometric biosensors [13,150,162,176–181]. In 2000, this group named PB an “artificial PO” [177].
At the same time, a large number of other scientific groups, especially from China, worked hard on
this problem [148,154,156–159,166,168–174].

PBAs demonstrated intrinsic PO-like activity when coupled with carbon, graphene, natural
polysaccharides or synthetic polymers. This property was successfully used in electrochemical
(bio)sensors (Figure 7).

Table 7 presents selected examples of PBA application as amperometric chemo-sensors on H2O2

and the analytical characteristics of the developed sensors. The main peculiarities of these catalysts
are high stability, sensitivity and selectivity to H2O2 in extra-wide linear ranges. PBAs are more
stable in neutral and alkaline solutions compared to PB [181], and may be used in a physiologically
compatible medium containing biorecognition elements. Some PBAs show good selectivity against
easily oxidizable interfering species, for example organic acids, although the electrocatalytic activity in
H2O2 reduction is similar to that of PB [146,147,149].

Table 7. Amperometric H2O2-sensitive sensors based on PBA as a PO-like nanozyme.

Electrode
Working

Potential, V
Nanozyme

Sensitivity,
A·M−1·m−2

LOD, μM
Linear

Range, μM
Reference

GCE −0.05 PB/BG
AuNPs-PB/BG

2850
11243

4–83,000
9.2–8100 [167]

GCE 0.65 MnPBA 1472 3 3–8610 [168]
GCE −0.3 MoS xNi-Fe PBA 0.1–2500 [169]
GCE 0.18 PB 10,000/20,000 1 1–5000 [176]
GCE 0.05 PB 6000 0.1 0.1–100 [177]
GCE/ 0.0 Ni-FePBA 18,000 up to 100 [178]
DBD
DBD
GE

−0.05
−0.05
−0.05

PB
Ni-FePBA

PB/NZ

2100
1500
4500

0.5 0.5–1000 [179]

Planar screen-printed Ni-PB 3500 0.1–1000 [180]
Carbon planar
screen-printed 0.0 PB/film PB/NZ 6500

8500
up to 500
up to 500 [181]

GCE 0.0 PNAANI–PB 5073 0.07 1–1000 [182]
Graphene CoPBA 0.007 5–1200 [183]
Graphene

nanocomposite CoPBA 0.1 0.6–380 [184]

Graphite-string 0.05 6413 30–1000 [185]

Graphite paste Cu-FePBA
Ni-FePBA

2030
1130

0.2
2

0.5–1000
2–1000 [186]

Nanoporous gold film PB 7080 0.22 1–17,000 [187]
GCE Ni-FePBA 0.192 A/M 1 [188]
GCE 0.33 Ni–Fe PBA-HNCs 361.3 0.291 0.1–20,000 [189]
GE Thionine-NiPBA 0.557 1.67–1110 [190]

CNE PB 500,000 10–3000 [191]

Electrochemical biosensors have long been used as an efficient way for quantitative detection
of different analytes (biomarkers) of interest. PBA-based NZs, being PO-mimetics, may comprise
a promising platform for the construction of biosensors that can be applied in clinical diagnostics,
theranostics, for control of therapy, cell/tissue growth and proliferation [5–11,146–148,152,170,192].

The main drawback of the many H2O2-sensitive NZ-based electrochemical sensors is the
application of rather high or low working potentials. As a result, they suffer from non-selectivity.
It is known that H2O2 is prone to direct auto-oxidation on electroactive surfaces (e.g., Pt) at an
operational potential above +0.4 V or auto-reduction at −0.4 V or less vs. Ag/AgCl. Moreover,
the real samples consisted mostly of organic compounds which are easily co-oxidized/co-reduced
at the above-mentioned potentials (e.g., ascorbic or uric acids, neurotransmitters, pigments, drugs,
and even glucose), consequently resulting in overestimation of the target analytes. There are only a
few possibilities for decreasing this interfering impact, for example by restricting the access of the
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potentially interfering compounds by perm-selective membranes. The weak point of this approach is
the additional diffusion limitations, resulting in deterioration of the sensor’s operational parameters.
A much more successful strategy is the screening of new NZ types that work at operating potentials
close to zero (0) V vs. Ag/AgCl [193].

 

Figure 7. Peroxidase-like catalytic activity of Prussian blue analogues (PBAs) as a platform for the
development of amperometric and colorimetric (bio)sensors.

5. Nanooxidases

Natural oxidases, which belong to the EC class 1.1.3, catalyze the oxidation of many substrates
that contain the CH-OH group (electron donors). They use molecular oxygen as the electron acceptor,
and form hydrogen peroxide as a byproduct [194]. Generally, a specific oxidase name is given according
to the target oxidized substrate.

For example, glucose oxidase (GOx), alcohol oxidase (AOx), lactate oxidase (LOx), cholesterol
oxidase (COx), etc. are the specific oxidases that catalyze the oxidation of glucose, ethanol, lactate,
and cholesterol, respectively:

Glucose + O2 → Gluconic acid + H2O2 (GOx)

Alcohol + O2 → Aldehyde + H2O2 (AOx)

Lactate + O2 → Pyruvate + H2O2 (LOx)

Cholesterol + O2 → Cholestenone + H2O2 (COx)

Due to the generation of H2O2, natural oxidases and oxidase-like NZs can efficiently oxidize the
colorless substrates (in the presence of PO) into corresponding colored products, which make them
promising tools for analysis of a number of biological molecules. Many forms of nanomaterials that
exhibit nonenzymatic oxidase-like catalytic activities have been reported in recent decades: ferrous
metals, their oxides or bimetallic/alloys [195–198], nanocomplexes of lanthanides [199–201], transition
metals [105,202,203], as well as noble metals and their combinations: (IrPd)/Au [204], PtNPs [205,206],
Au@Pt [207], Au/Pt/Ag [208], Au-Pd NPs [209], Au/TiO2 [210] and many others [211]. Although the
metallic GOx-like NPs yielded >99% gluconic acid, these materials suffered from high adsorption of
reaction products resulting in their oxidation and inactivation [212]. The most extensively studied
nanooxidases used for selective oxidation of glucose to gluconic acid are AuNPs [4,210,213–222] (see
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Table 8). Gold NPs are much more resistant to O2 compared with Pt and PdNPs and their reaction
products have a lower affinity to adsorption onto the Au surface, in addition to being more active
and selective under mild conditions [212]. Their main drawbacks are strong dependence of catalytic
activity on a type of Au surface and nanoparticle size affected by of sintering [223]. Carbon-based
materials and metal/carbon composites have also demonstrated catalytic oxidation of glucose in the
presence of O2 [224–227] as an alternative to metallic NPs.

Table 8. Comparison of the kinetic parameters of different types of artificial GOx and natural enzyme
toward glucose in solution.

Catalyst Concentration KM
app, mM Vmax, μM·s−1 kcat, s−1 Reference

Au/MCM-41 0.025 mg·mL−1 55.2 18.0 14.2 [212]
AuNPs 34 × 10−9 M 6.97 0.63 18.52 [213]

GOx 34 × 10−9 M 5.0 0.69 9.7 [213]
AuNPs 0.05 mg·mL−1 0.41 0.10 [221]

AuNPs-MIP 0.05 mg·mL−1 0.18 0.42 3.76 × 10−7

mmole·g−1·s−1 [221]

AuNPs-PFOP 0.05 mg·mL−1 0.09 0.58 5.21 × 10−7

mmole·g−1·s−1 [221]

AuNP 2 × 10−9 M 4.5 × 107 [222]
β-CD@AuNPs 9.60 1.80 × 10−2 [228]
EMSN-AuNPs 562.0 mg·mL−1 26.2 0.53 [229]

MnO2NFs 0.02 mg·mL−1 21 0.43 [230]

Unfortunately, the catalytic parameters were not determined for many of the above-mentioned
nanooxidases. It is therefore not possible to compare the efficiency of GOx-mimicking nanocomposites.

Ortega-Liebana and coauthors [212] (Figure 8) described an Au-silica nanohybrid Au-MCM-41
with a determined KM

app of ~55 mM, which is significantly higher compared with the values
reported for free AuNZ (KM

app ~7 mM) [213], polymer-coated gold-based mimics (KM ~0.4 mM) [221],
gold-supported mimicking systems (KM

app ~27 mM) [229], as well as the natural GOx (KM
app

~5 mM) [213]. Au-MCM-41 NZ showed a slightly lower affinity towards glucose as a substrate.
Nevertheless, the corresponding catalytic constant kcat, a true catalytic parameter for comparison
determined as the Vmax/concentration of catalyst ratio, is close to the value reported for natural GOx
(kcat ~14.2 s−1 vs. kcat ~9.7 s−1, respectively) and similar to freestanding Au NPs (kcat ~18.5 s−1) as
reported by Luo and coauthors [213]. The Au-MCM-41 NZ showed a good response, possibly due to a
good homogeneous distribution of active sites of Au in the mesoporous carrier, which improved their
availability [212].

Some of the described NZs are characterized by double enzyme-like properties. They are named
“tandem NZs” (nanomaterials with tandem enzyme-like characteristics). Ma and coauthors [222]
investigated catalytic properties of single AuNPs and Ag-Au hybrid NPs as possible GOx and PO
mimetics. The electrochemical experiments demonstrated that a high turnover of NZs was obtained
from individual catalytic elements compared to results from ensemble-averaged measurements as
a classic approach. The authors concluded that the unique increasing catalytic activity of single
NZ supports is due to the high accessible surface area of monodispersed NPs and high activities
of carbon-supported NP during single particle collisions on a carbon ultra-microelectrode. It was
proposed as a new method for accurate characterization of NZs’ catalytic activities that opens further
prospects for the design of highly efficient catalytic nanomaterials. Kou and coauthors [228] described
the synthesis of β-CD@AuNPs that are characterized by simultaneous GOx-like and PO-like activities
(Table 8). Han and coauthors [230] desribed the synthesis of 2D MnO2-based NPs with dual enzyme
activities in a similar pH range. Moreover, a one-pot nonenzymatic approach was proposed for the
colorimetric analysis of glucose, where the oxidation of glucose and the colorimetric detection of H2O2

are conducted simultaneously as a result of the single NZ (MnO2 NPs) catalysis. This method is

332



Sensors 2020, 20, 4509

characterised by a high sensitivity, low LOD and a short time of analysis, because of the proximity
effect and in situ reaction [230]. However, the weak point of the most widely described oxidase mimics
is their nonselective oxidation of a number of substrates, contrary to natural enzymes. Improving
the selectivity of oxidase-like NZs is therefore a great challenge that needs to be solved before their
successful application in analytical technologies.

Figure 8. Determination of H2O2 as a product generated in the reaction of glucose oxidation [212] (modified).

Summarizing the above-mentioned data on nanocomposites with GOx-like activity, it is worth
emphasizing that many of them (see Table 8) have a very low activity that does not enable defining
them as NZs. There is an enormous difference in catalytic efficiency of the described GOx-mimetics:
kcat values differ more than 107-fold. Although according to BRENDA data this parameter is also
very variable for natural GOs-from 0.005 to 2300 s−1 [231], it is obvious that improving the catalytic
efficiency of synthetic NZs is a very important challenge. Nevertheless, the most effective nanooxidases
(including those presented in Table 9) can be a good basis for the creation of non-enzymatic sensors for
glucose analysis [72,222–227].

Table 9. Comparison of the main operational properties of glucose-sensitive amperometric sensors
based on GOx-like nanozymes.

Electrode Material
Potential,

V
Linearity,

mM
LOD, μM

Sensitivity,
A·M−1·m−2

Selectivity Reference

3DG/Co(OH)2 +0.6 0.1–10 0.016 36900 AA, UA, fructose, lactose, urea [72]

Au/MWCNTs +0.15 0.01–36.0 3.0 1012 DA, UA, AA, fructose, saccharose,
maltose, Ca2+, Cl− [133]

PtNi-ERGO −0.35 0.01–35 10 204.2 AA, UA, urea, fructose [224]

CuO NW/CF +0.35 0.001–18.8 0.3 22174 AA, UA, DA, lactose, sucrose,
maltose [225]

Octahedral Cu2O +0.6 0.3–4.1 128 2410 AA, UA, DA, NaCl [225]
CQDs/octahedral

Cu2O +0.6 0.02–4.3 8.4 2980 AA, UA, DA, NaCl [225]

CuNWs/rGO +0.58 0.01–11 0.2 16250 AA, UA, DA, AP, fructose, sucrose [226]
AKCN +0.7 0.8 fructose, lactose, maltose [227]

β-CD@AuNPs −0.05 Cu2+, Al3+, UA, AA, guanine,
guanosine

[228]

Ni–Pd/Si-MCP −0.1 0.081 A·M−1 AA [232]
Pd-Pt core-shell NCs −0.05 0.3–6.8 41.1 1700 [233]

Pt NPs −0.05 0.3–5.2 91.8 457 [233]
Cu2O/GNs +0.1 0.3–3.3 3.3 2850 [234]

Cu2O nanocubes +0.1 5.9 2000 [234]

ITO/PbS/SiO2/AuNPs −0.2 0.001–1 0.46 AA, UA, L-Cys, lactose, maltose,
sucrose [235]

Many sensors for glucose detection are based on its electrochemical oxidation directly on
a nanocatalyst-covered electrode have been reported (Table 9). A silicon-based amperometric
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non-enzymatic sensor for the glucose determination (nEGS) was described by Miao and coauthors [232].
Ni–Pd NPs adhered onto a supporter comprising the 3D ordered silicon microchannel plate (MCP)
were proposed as sensing materials and were used as an electrode. The 3D structure provided
ample space allowed a fast mass transport of ions/gas through the electrolyte/electrode interface,
thus causing fast electrochemical reactions. The Ni–Pd/Si-MCP nanocomposite electrode showed
strong electrocatalysis of glucose under alkaline conditions. The nanocomposite was characterized by
a good selectivity even in the presence of high concentrations of interfering agents, excellent storage
stability and reproducibility. Ye and coauthors [233] synthesized and employed heterostructured
Pd-Pt core-shell nanocubic materials (NCs) as nEGSs, due to their electrocatalytic activity in glucose
oxidation. These core-shell NCs with a large surface area show remarkable GOx catalytic activity and
can potentially be applicable as nEGSs. Gao and coauthors [224] developed a PtNi alloy NP-graphene
composite and found that the PtNi-ERGO nanocomposite-based nEGS possessed many merits in terms
of high selectivity, superior resistance to poisoning, low LOD, rapid response, excellent reproducibility
and stability, which outmatches the performance of any other reported Pt-based nEGSs. The nEGS
retained 93.2 and 90.5% of its initial sensitivity at 10 and 50 days postpreparation, respectively.
The combination of these unique characteristics has enabled the application of this new type of
nanoelectrocatalyst-loaded electrodes for analysis of real human samples. Li and coauthors [225]
proposed utilizing 3D porous copper foam (CF) as an electroconductive base and a precursor for a
growth of CuO nanowires (NWs) in situ used for the construction of electrochemical nEGSs. CF has
a high surface area due to its unique 3D porous structure, resulting in good sensitivity for glucose
detection. The CuO NWs/CF-based nEGSs are characterized by good selectivity, reproducibility,
repeatability and stability (Table 9).

The CuO NWs/CF based nEGSs have also been employed for glucose assay in human serum and
saliva (which indicated that CuO NWs/CF are promising for noninvasive glucose detection). Li and
coauthors [225] designed an electrochemical nEGS based on a novel nanostructured electrocatalyst of
carbon quantum dots (CQDs)/octahedral cuprous oxide (Cu2O) nanocomposites [74]. Compared to
octahedral Cu2O, the CQDs/octahedral Cu2O exhibited preference for electrocatalysis over glucose
oxidation and H2O2 reduction. The experimental results demonstrated that nEGSs have a good
potential for practical determination of glucose in real samples of biological liquids [75,236]. Ju and
coauthors [226] synthesized a nanocomposite consisting of 1D CuNWs and 2D reduced graphene
oxide nanosheets (CuNWs/rGO) and constructed amperometric nEGSs. Contrary to the CuNWs,
the CuNWs/rGO hybrids exhibit a higher current response relative to their auto background current,
indicating a stronger electrocatalytic capacity toward the oxidation of glucose. The sensor is
characterized by very high sensitivity (16,250 A·M−1·m−2) and low LOD (0.2 μM). Shackery and
coauthors [72] described the porous, conducting, chemically stable structure of Co(OH)2/3DG.
The unique Co(OH)2 NRs electrode morphology displays a unique high sensitivity—36,900 A·M−1·m−2

with sufficient selectivity (Table 9).
The bifunctional cascade catalysis was successfully tested for the real-time colorimetric glucose

detection with 0.8 μM LOD for 30 s. Alkalized graphitic carbon nitride (AKCN) exhibited
perfect photoactivity for H2O2 generation at neutral pH-conditions, which are typical for natural
GOx. The photocatalytic GOx-like activity of AKCN was successfully demonstrated by an in situ
photoproduction of H2O2 which was proportional to the rate of glucose. The production of H2O2

exhibited a wide linear range proportional to glucose concentration (up to 0.1 M). The production of
CO2 from the photocatalytic oxidation of glucose was negligible (2 μM), compared with that of H2O2.
This indicates that the photocatalytic mineralization of glucose is inhibited at the applied conditions,
and glucose is selectively phototransformed into gluconic acid on AKCN.

In addition to amperometric sensors, recent publications described several promising
photoelectrochemical nEGSs using oxidase-like NZs. Zhang and coauthors [237] reported a synthesis
of metal-free oxidase mimicking NZ based on modified graphitic carbon nitride (Figure 9). The H2O2

is generated as a result of coupled photocatalytic oxidation of glucose and O2 reduction under visible
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light irradiation with about 100% apparent quantum efficiency. The generated in situ H2O2 serves for
oxidation of a chromogenic substrate on the same catalyst in a dark to complete the nonenzymatic
glucose detection.

Figure 9. Comparison of two glucose detection systems: based on the glucose oxidase (GOx) combined
with horseradish peroxidase (HRP) (above); based on synthetic NZ aerobic photocatalytic oxidation of
glucose combined with in situ H2O2-production on AKCN (alkalized GCN—graphitic carbon nitride)
(below) [237] (modified).

Cao and coauthors [235] recently reported the development of a photoelectrochemical glucose
sensor using complicated ternary layered NPs of ITO/PbS/SiO2/AuNPs (ITO-indium tin oxide).
Thioglycolic acid-capped PbS quantum dots that are highly sensitive to oxygen were employed as a
photoelectrochemical active probe. The AuNPs were used as the GOx-like NZ for aerobic catalytic
glucose oxidation. The catalysis promoted oxygen consuming, resulting in a decrease in the cathodic
photocurrent. The insertion layer of SiO2 NPs between PbS and AuNPs could efficiently reduce the
base current due to its low electroconductivity, which improved the LOD. The described sensor showed
high sensitivity and good selectivity. The LR toward glucose was in the frames from 1.0 μM to 1.0 mM
with 0.46 μM LOD.

Thus, glucose sensors are practically the only oxidase-like NZ-based electrochemical sensors
that are currently being developed and characterized. GOx-like NZs incorporated on the electrode
covered layer enhanced their catalytic power due to intrinsic catalytic activity and a synergetic effect
of applied potential. In our opinion, due to additional electrocatalytic activity, such NZs can be a
promising alternative for natural enzymes in the construction of electrochemical sensors. They are
cost-effective, possess high sensitivity, favorable stability, reproducibility, simplicity in development
and avoid complex enzymatic immobilization techniques. Unfortunately, performing a multielectron
oxidation reaction in the presence of easily oxidized interfering agents has some severe constraints.
For example, platinum electrodes lose their activity quickly in glucose solutions through accumulation
of chemisorbed intermediates which block the electrocatalyst’s surface [238].

6. Laccase-Mimicking Nanozymes

Natural laccases [239–242] are members of the multi-copper oxidases which catalyze the
single-electron oxidation of a wide range of organic substrates, such as polyamines, aryl diamines,
ortho- and para-diphenols as well as polyphenols, with the subsequent four-electron reduction of
molecular oxygen to water (Figure 10). Due to their activities, laccases can be used as “green” catalysts
in water treatment and soil bioremediation [243,244]. However, the poor stability of natural laccases
in complex environments, the difficulty of their recycling, and the high cost of the purified enzyme
preparations severely hamper practical applications of this enzyme [12,245–248].
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Figure 10. Scheme of reactions catalyzed by oxido-reductases-mimicking nanozymes (NZs).

Many synthetic methods for obtaining various types of laccase-like nanomaterials have been
described, when most of them are based on the use of copper ions as a catalyst, because the active
centers of natural laccases also contain these ions. A large number of copper-based complexes
with different types of organic ligands are reported as laccase mimetics [249–253]. Ren and other
authors [254–257] reported one-pot synthesis of copper-containing carbon dots as laccase mimics.
Shams and coauthors [258] described the synthesis of Cu/H3BTC MOF (copper ions with 1,3,5-benzene
tricarboxylic acid, H3BTC and metal–organic framework, MOF) possessing laccase-like activity with
regard to oxidation of phenolic compounds. Cu/H3BTC MOF was used for quantitative detection of
epinephrine. This NZ showed excellent stability under different conditions compared with natural
laccase [258] (Figure 11).

Water-soluble nucleotides have a significant potential for use as ligands for different nanostructures.
Nucleotide coordinated Cu2+ complexes were demonstrated as having laccase-like activity [259,260].
Such coordination complexes were immobilized onto magnetic NPs forming Fe3O4@Cu/nucleotide
NPs [260,261]. The guanosine monophosphate (GMP) based laccase mimicking Cu/GMP NZ [262] and
Fe3O4@Cu/GMP NZ [263] demonstrated excellent laccase-like catalytic activity toward high spectra
of phenolic substrates, e.g., hydroquinone, naphthol, catechol, epinephrine and o-phenylenediamine.
The KM

app of Cu/GMP toward 2,4-dichlorophenol was quite similar to that of natural laccase (0.59 mM
vs. 0.65 mM, respectively). Although it was reported that the Vmax of Cu/GMP was 5.4-fold higher
compared with the natural enzyme, the value of the intrinsic catalytic parameter (kcat) was not indicated.
Cu/GMP also showed better stability over pH 3–9, temperatures of 30–90 ◦C, and a high ionic strength
of 500 mM NaCl, as well as long-term storage for 9 days. Analysis of epinephrine with Cu/GMP
was nearly 16-fold more sensitive and 2400-fold more cost-effective than using natural laccase [262].
The magnetic Fe3O4@Cu/GMP NZ is able to oxidize toxic o-phenylenediamine and showed higher
activity and stability compared with natural laccase [263]. However, the KM

app of laccase was 18-fold
lower than that of the Fe3O4@Cu/GMP NZ, which means that laccase had a better affinity toward the
substrate. On the other hand, the Vmax of Fe3O4@Cu/GMP was almost 4.2-fold higher than that of
laccase (see our remark on the irrelevance of such a comparison). Fe3O4@Cu/GMP retained about 90%
of its residual activity at 90 ◦C, with little change at pH 3–9, and showed excellent storage stability.

336



Sensors 2020, 20, 4509

Figure 11. Laccase-mimicking nanozyme for oxidizing phenolic compounds [263–265].

Huang and coauthors [264] described a laccase-mimic NZ based on copper ions and adenosine
monophosphate (AMP-CuNZ) with a 15-fold higher catalytic activity than that of natural laccase (at
the same mass concentration; normalization to the molar concentration of both catalysts for calculating
kcat was not reported). It also has a higher Vmax and a lower KM

app. The Vmax of AMP-Cu was
4.5-fold higher than that of natural laccase (1.30 μM·min−1 vs. 0.28 μM·min−1 at the same mass
concentration of both catalysts, 0.1 mg·mL−1), with a 4-fold lower KM

app (0.09 mM vs. 0.36 mM).
The lower KM

app of AMP-Cu indicates that the simulated enzyme had a stronger affinity toward the
substrate. The concentration linear range (LR) of phenolic compounds detected by AMP-CuNZ was
0.1–100 μM, and the LOD was 0.033 μM (lower than that of laccase). The AMP-Cu had good stability
(over 9 days of storage) under conditions of 30–90 ◦C and pH > 6. AMP-Cu NZ can be used to detect a
variety of phenolic compounds: phenol, hydroquinone, p-chlorophenol, resorcinol, phloroglucinol
and catechol [264]. It could be predicted that due to its favorable properties, AMP-Cu NZ has a great
potential for applications and can replace native laccase in biosensors.

Wang and coauthors [265] presented a new class of laccase-like NZs (denoted as CH-Cu).
The electron transfer in this system was providedvia the coordination of Cu+/Cu2+ with a cysteine
(Cys)-histidine (His) dipeptide. The CH-Cu has similar KM

app values to the natural enzyme (KM
app

0.42 mM and 0.41 mM, respectively) and increased Vmax values compared to the natural enzyme
(7.32 μM·min−1 and 6.41 μM·min−1, respectively, at a catalyst concentration of 0.1 mg·mL−1 for CH-Cu
or laccase). The kcat value of CH-Cu is much higher than that of laccase (1.91 × 104 min−1 and
4.13 min−1, respectively), indicating a higher turnover number and catalytic efficiency of a single
CH-Cu NZ particle, which has a larger number of active sites than the natural protein molecule.
A similar result was found for Fe3O4 NPs with PO-mimicking activity (kcat = 3.1 × 105 s−1) [17].

The catalytic activity of NPs is dependent on the copper ions content. The authors therefore
measured the catalytic activity of laccase and CH-Cu NZ with the same amount of Cu atoms.
The amount of copper in laccase is 0.32 wt. % and in CH-Cu it is 38.3 wt. %. As a result, the weight
ratio of laccase to NZ was 120:1 for the activity test. Due to increasing the number of active sites in
a single particle, CH-Cu shows good laccase-like catalytic activity. The higher efficiency of CH-Cu
compared with laccase in the degradation of chlorophenols and bisphenols was also demonstrated in a
batch mode. Moreover, using CH-Cu a new method for the quantitative detection of epinephrine was
developed [265].

Nanomaterials that do not contain copper could also possess laccase mimicking activity.
Many metal-based catalysts have been described recently, including noble metal NPs: gold [266],
platinum [267], or oxides such as iron oxide [12,17], cerium(IV) oxide [268,269], manganese
oxide [270], etc.
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NZs placed on Pt in combination with oligonucleotides as stabilizing agents (adenine-A10,
thymine-T10, cytosine-C10, and guanine-G10) display excellent catalytic performance in oxidation of
multiple substrates, including 2,4-dichlorophenol (2,4-DCP), dopamine, p-phenylenediamine, catechol
and hydroquinone [267]. This kind of Pt NZs has high stability in the range of 20–90 ◦C and pH 3–9,
which exceeds the range of native laccase. It was shown that the laccase-like activities of PtNPs are
strongly associated with particle size (2.5–5 nm). PtNPs modified with the oligonucleotides cytosine
(C10), with a particle size of 4.6 nm, showed the highest activity in the oxidation of 2,4-DCP. These
NPs exhibit an apparent KM

app value of 0.12 mM toward 2,4-DCP, whereas laccase exhibits a KM
app of

0.40 mM. Enzyme-like kinetics was observed in the oxidation of 2,4-DCP catalyzed by DNA-stabilized
PtNPs which have a three-fold better substrate affinity compared to natural laccase [267]. Nanozymes
PtNP-C10 and AMP-Cu possess lower KM values (0.12 mM and 0.09 mM, respectively), that indicate
their better affinity toward 2,4-DCP compared to natural laccases: from Pycnoporus sanguineus sp. CS43
(0.224 mM) and Trametes versicolor (0.40 mM).

The main catalytic characteristics of the synthetic laccase mimetics and natural enzyme toward
different substrates are presented in Table 10.

Table 10. The main catalytic characteristics of the synthetic laccase mimetics and natural enzyme
toward typical substrates.

Chemo/Biocatalyst Substrate KM
app, mM

Vmax,
mM·min−1

NP Concentration,
mg·mL−1

Reference

CeO2NPs Dopamine
Catechol

0.25 × 10−3

0.180
[77]

Cu/H3BTC MOF Epinephrine 0.068 94 × 10−3 0.1 [258,262]
Laccase

Cu/GMP
Laccase

Epinephrine
2,4-Dichlorophenol

0.062
0.59
0.65

5.81 × 10−3

0.83
0.15

0.1
0.1
0.1

AMP-Cu 2,4-Dichlorophenol 0.09 1.3 × 10−3 0.1 [264]
Laccase 2,4-Dichlorophenol 0.36 0.29 × 10−3 0.1

CH-Cu Cys-His
dipeptide Epinephrine/2,4-dichlorophenol 0.58

0.42
2.74 × 10−2

7.32 × 10−3 0.1 [265]

Laccase Epinephrine/2,4-Dichlorophenol 0.16
0.41

3.10 × 10-3

6.41 × 10−3 0.1

PtNP-C10 (cytosine
stabilized Pt NPs) 2,4-Dichlorophenol 0.12 8.49 × 10−3 0.01 [267]

Laccase from Trametes
versicolor 2,4-Dichlorophenol 0.40 3.51 × 10−3 0.16

Laccase from Pycnoporus
sanguineus sp. CS43 2,4-Dichlorophenol 0.224 2.21 × 10−3 [271]

Since the synthetic laccase mimetics have preferential properties compared with natural enzymes,
they appear to be very promising for the development of new non-enzymatic amperometric sensors
for assaying phenolic compounds (Figure 12).

Garcia and coauthors [272] reported the construction of a CPS2 (copper oxide-based carbon paste)
biomimetic sensor for phenol, rutin and catechol determination in natural samples, such as dried
extracts of red fruits and coffee. The enhanced sensitivity towards catechol as a model substrate
correlated to the amount of incorporated copper oxide, resulting in improvement of electroactive
surface area and electrocatalytic ability os the sensor. The sensor can be characterized by high sensitivity
and selectivity for rutin (LR of 1 to 120 μM and LOD of 0.4 μM) and catechol (LR of 10 to 600 μM)
(Table 11) that is better compared to laccase-based biosensors.
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Figure 12. Sensors based on laccase-mimicking nanozymes of different chemical nature in detection of
phenolic compounds [268,269,272,273].

Table 11. Analytical characteristics of the amperometric sensors based on synthetic laccase mimetics
and natural enzyme toward typical substrates.

Sensor Analyte Linear Range, μM LOD, μM Reference

CeNPs

Gallic acid 2–20 1.5

[268]Caffeic acid 50–200 15.3
Quercetine 20–200 8.6

Ascorbic acid 0.5–20 0.4

CeNPs/MWCNTs-COOH/SPE

Gallic acid 25–50 7

[269]
Caffeic acid 33–100 10
Quercetin 25–100 8

t-Resveratrol 25–50 8
Ascorbic acid 25–100 7

Laccase/Fc/SPE Caffeic acid 2.0–30.0 1.6 [269]
Laccase/PAP/SWCNTs/SPE Gallic acid 0.53–96 [269]
Laccase immobilized in polyzetidine prepolymer and SWCNTs Gallic acid 0.53–96 [269]

CuO-C-CPS2 Rutin
Catechol

1 to 120
10 to 600

0.4
2.0 [272]

Laccase on CP Catechol 20 to 700 4.5 [272]
FePP modified multi-walled carbon nanotubes (OH-
MWCNTs/FePP/Nafion/GCE) Catechol 65 to 1600 3.75 [273]

Andrei and coauthors [268] reported the construction and characterization of a disposable
single-use electrochemical sensor (SPE) based on CeNPs for the detection of phenolic antioxidants.
The nanoceria supported oxidation of phenolic compounds to their corresponding quinones that can
be detected at the SPE surface. For analysis of reactivity of gallic acid, ascorbic acid, quercetin, caffeic
acid and epicatechin the amperometric detection was performed at the working potential −0.1 V
vs. Ag/AgCl. The LR for gallic acid was between 50–200 μM, with a LOD of 15.3 μM (Table 11).
The electrode did not respond to glucose, tartaric acid, ethanol, citric acid and sulfur dioxide at the
applied conditions. The developed CeNPs SPE electrodes are low-cost, stable and disposable, making
them promising for rapid field detection of antioxidant-rich samples and for screening purposes.

Another sensor has been developed for the analysis of antioxidants in wines based on CeNPs as
a biomimetic [269]. The proposed single-use electrochemical screen-printed electrode, modified by
CeNPs, was applied for detection of a number of antioxidant compounds which are present in wines
(Table 11). The LR of the sensor is similar, and in some cases better, than for other analogs. The sensor
does not require any specific storage conditions (e.g., buffer and low temperature) as opposed to
enzymatic biosensors. Furthermore, the CeNP-modified electrode has a broader LR for gallic acid and
ascorbic acid [269].
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Wang and coworkers [270] proposed different crystalline nanostructured manganese oxide (MnO2)
and Mn3O4 on an electrode surface, which showed laccase-like catalytic activity toward ABTS and
17β-estradiol (E2). The best catalytic performance of the six different crystal structures for oxidizing
ABTS and E2 was shown for the γ-MnO2 variant. ABTS oxidation by γ-MnO2 NPs under different
pH values proved high oxidation activity of γ-MnO2 at pH values of 3–4. The findings add to the
understanding of the laccase-like catalysts based on MnOx [270].

Bin and coauthors [273] developed a novel highly stable sensor for cost-effective and efficient
catechol detection based on the functionalized surface of multi-walled carbon nanotubes (MWCNTs)
and iron porphyrins (FePP). Under optimal condition, the LOD for this NZ is slightly higher than
that of the laccase sensor with the broader LR (Table 11). The reproducibility test showed that
OH-MWCNTs/FePP/Nafion/GCE has better reproducibility than other laccase sensors. Storage analysis
demonstrated that the oxidation current maintained 98.3% of its initial output after storage at −4 ◦C
for 35 days.

7. Conclusions and Potential Applications

Only a small part of the known NZs and electronanocatalysts used in the construction of
electrochemical sensors is presented in this review. At present, nanozymology is progressing faster
than could be described directly as a real-time review. However, we believe that the presented data will
be valuable for demonstrating the preferability of a combination of novel progressive nanotechnologies
with electroanalytical approaches compared to classic enzymological methods.

Enzyme-based sensors are already successful commercial products in different application fields.
Using cost-effective synthetic enzyme-like nanomaterials seems to be a very promising way for sensor
development. It should be noted that NZs have several limitations for their application that need to be
solved. The main disadvantage of most known NZs is the lack of substrate specificity. This drawback
raises concerns regarding “nanozyme” term since in some cases these nanomaterials operate like
chemical or electrochemical catalysts. The second drawback is the fouling of the NZ surface due to
aggressive impact or adsorption of some compounds of the real environmental or biological samples.
The third is a rather low reaction rate as a result of pH-sensitivity. Many common NZs work best in an
acidic pH, while the pH of biological samples is often neutral. The fourth is a limited reaction type of
the current NZs that are mainly capable of mimicking oxidoreductases (oxidases, peroxidase, catalase,
SOD). Known NZs are thus currently able to mimic only a small fraction of enzymes. These critical
problems must be solved in order to create highly selective, stable, reliable NZs that are suitable for
practical use. However, considering the high scientific interest, progress in this field will focus on
the creation of novel materials with new improved catalytic as well as physic-chemical properties,
maximally fitted for (bio)chemosensing devices.
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Abbreviations

AA Ascorbic acid
ABTS 2,2’-Azinobis-(3-ethylbenzthiazoline-6-sulphonate)
AKCN Alkalized graphitic carbon nitride
AMP Adenosine monophosphate
AOx Alcohol oxidase
AP Acetamidophenol
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AuNPs Gold nanoparticles
Au/Co@HNCF Gold/cobalt nanoporous carbon framework
AuNBP/MWCNTs
Fer/rGO

Gold nanobipyramids supported by multi-walled carbon nanotubes
ferumoxytol and reduced graphene oxide

BET Brunauer-Emmett-Teller
BG Bucky gel consisting of carbon nanotubes and ionic liquid
biot-GOx Biotinylated glucose oxidase
BNNS@CuS Boron nitride nanosheet and copper sulfide nanohybrids
BSA Bovine serum albumin
C60[C(COOH)2]2 C60-carboxyfullerene
CeNPs Nanoceria particles
CF@CuAl-LDH Carbon fiber-supported ultrathin cual layered double hydroxides (LDH) nanosheets
CF-H-Au Carbon microfibers-hemin-gold nanoparticles
CMC@Pd/Al-LDH Pd/Al layered double hydroxide/carboxymethyl cellulose nanocomposite;
CNE Carbon nanoelectrodes fabricated within a quartz nanopipette and electrochemically etched
CNFs Carbon nanofibers
CNTs Multi-walled carbon nanotubes
COx Cholesterol oxidase
CP Carbon paste
CPS Carbon paste sensors
CQDs Carbon quantum dots
cTnI Cardiac troponin I
CTMB Cetyltrimethylammonium bromide
Cu-Cys Copper(II) complex of cysteine
Cu-MOG Cu-based metal-organic gel

CuNWs/rGO
One-dimensional copper nanowires and two-dimensional reduced graphene oxide
nanosheets

DA Dopamine
2,4-DCP 2,4-Dichlorophenol
3D GNCs 3D graphene-supported quantum dots
3DG Three-dimensional graphene
DBD Diamond Boron-doped
EMSN-AuNPs Expanded mesoporous silica-encapsulated gold nanoparticles
ENC Electronanocatalyst
ERGO Electrochemically reduced graphene oxide
FePP Iron porphyrins
GBR Metal-free brominated graphene
GCE Glassy carbon electrode
GCE/MWCNTs-
Av/RuNPs/biot-GOx

Glassy carbon electrode/avidin-functionalized multi-walled carbon/nanotubes/Ru
nanoparticles/biotinylated glucose oxidase

GDCh Glucose derived sheet-like carbons
GE Graphite electrode
GNP/Cu-Cys Gold nanoparticles with the copper(II) complex of cysteine
GNPs Gold nanoparticles
GNs Graphene nanosheets
GO Graphene oxide
GOx Glucose oxidase
GOx/PtNP/PAni/Pt Glucose Sensor Based on Pt Nanoparticle/Polyaniline Hydrogel
H2TCPP meso-Tetrakis(4-carboxyphenyl)-porphyrin
HCC Carbon cubic nanomaterial
HCF Hexacyanoferrate
h-CuS NCs Hollow copper sulfide nanocubes
H-GNs Hemin-graphene hybrid nanosheets
His@AuNCs Histidine-capped gold nanoclusters
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HNCs Hollow nanocubes
H-rGO-Au Hemin-graphene-gold nanoparticles
HRP Horseradish peroxidase
H/WS2-NSs Hemin-functionalized/Tungsten disulfide nanosheets
ITO Indium tin oxide
L-Cys L-Cysteine
LOD Limit of detection
LOx Lactate oxidase
LR Linear range
MCM-41 Mobil composition of matter No. 41
MCNs Mesoporous carbon nanospheres
MCP Microchannel plate
MIP Molecularly imprinted polymer
MMT Montmorillonite
MC Magnetic carbon
Mn-MPSA-HCC Mn nanomaterials: hollow carbon cubic
Mn-MPSA-HCS Mn nanomaterials: hollow carbon sphere
MOFs Metal-Organic Frameworks
MWCNTs Multi-walled carbon nanotubes
MWCNTs-Av Avidin-functionalized multi-walled carbon nanotubes
NCs Nanoclusters
NCF Nitrogen doped cotton carbon fiber composite
N-CNFht Nitrogen-doped carbon nanofibers
NFs Nanoflakes
NPs Nanoparticles
NTH Nanotetrahedron
NW/CF Nanowires/copper foam
NZ Nanozyme
OPD o-Phenylenediamine
PAni Polyaniline
PANI/MXene Polyaniline and Ti3C2Tx

PB Prussian Blue
PEG-HCCs Poly(ethylene glycolated) hydrophilic carbon clusters
PFOP Heptadecafluoro-n-octyl bromide
PMMA Poly(methylmethacrylate)
PNAANI Poly(N-acetylaniline)
PO Natural horseradish peroxidase
RDE Rotating disk electrode
RGO Reduced graphene oxide
rGO Reduced graphene oxide
SOD Superoxide dismutase
SPCE Screen-printed carbon electrode
TMB 3,5,3′,5′-Tetramethylbenzidine
UA Uric acid
WCC Tungsten carbide decorated by cobalt nanoparticles
YSNs Yolk-shell nanostructures
ZIF Zeolitic imidazolate framework
β-CD β-Cyclodextrin
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Abstract: Detecting cancer at an early stage of disease progression promises better treatment outcomes
and longer lifespans for cancer survivors. Research has been directed towards the development of
accessible and highly sensitive cancer diagnostic tools, many of which rely on protein biomarkers
and biomarker panels which are overexpressed in body fluids and associated with different types of
cancer. Protein biomarker detection for point-of-care (POC) use requires the development of sensitive,
noninvasive liquid biopsy cancer diagnostics that overcome the limitations and low sensitivities
associated with current dependence upon imaging and invasive biopsies. Among many endeavors
to produce user-friendly, semi-automated, and sensitive protein biomarker sensors, 3D printing is
rapidly becoming an important contemporary tool for achieving these goals. Supported by the widely
available selection of affordable desktop 3D printers and diverse printing options, 3D printing is
becoming a standard tool for developing low-cost immunosensors that can also be used to make final
commercial products. In the last few years, 3D printing platforms have been used to produce complex
sensor devices with high resolution, tailored towards researchers’ and clinicians’ needs and limited
only by their imagination. Unlike traditional subtractive manufacturing, 3D printing, also known
as additive manufacturing, has drastically reduced the time of sensor and sensor array development
while offering excellent sensitivity at a fraction of the cost of conventional technologies such as
photolithography. In this review, we offer a comprehensive description of 3D printing techniques
commonly used to develop immunosensors, arrays, and microfluidic arrays. In addition, recent
applications utilizing 3D printing in immunosensors integrated with different signal transduction
strategies are described. These applications include electrochemical, chemiluminescent (CL), and
electrochemiluminescent (ECL) 3D-printed immunosensors. Finally, we discuss current challenges
and limitations associated with available 3D printing technology and future directions of this field.

Keywords: 3D printing; POC; microfluidics; immunosensor; cancer; biomarkers

1. Introduction

Cancer is one of the leading causes of death worldwide. Globally, it was responsible for
approximately 9.6 million deaths in 2018 [1]. A major contributing factor to the high mortality is late
diagnosis due to the unavailability of modern diagnostic tools in low income countries and their limited
accessibility or application in developed countries. Currently, cancer diagnosis rely on techniques
such as magnetic resonance imaging (MRI), computed tomography (CT), endoscopy, mammography
and pathological examination of tissue biopsies [2–4]. Because the tumor needs to be located first
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with these techniques, in the majority of cancer cases, cancers will only be found as patients start
to show symptoms, where treatment options become limited and health is already in jeopardy [5].
Providing early diagnosis and effective screening for different cancers are major challenges to improve
life expectancy and treatment outcomes [6].

The crucial need for effective cancer screening and accessible diagnostic tools has driven
research endeavors utilizing cancer biomarkers in liquid biopsy samples like blood, urine, and
saliva. Analyzing cancer markers in liquid biopsy samples overcome hurdles associated with solid
tumor biopsy as it provides a rapid, precise, and non-invasive assay strategy [7,8], and does not
require a tumor to be located. Protein biomarkers provide an opportunity to assess risk of cancer
development and to detect cancer at very early stage where treatment interventions are most effective [9].
Sensors utilizing ligand-binding assay formats for candidate cancer protein biomarkers have drawn
a remarkable interest in the last two decades indicated by increased number of publications as seen
in Figure 1.

Figure 1. Number of publications per year focusing on protein biomarker cancer diagnostics from
1999–2019. Results generated using web of science® report generation tool for “Cancer Protein sensors”
on 9 May 2020.

Several analytical strategies have been adapted for development of ultrasensitive detection of
protein biomarkers associated with different types of cancer. Immunoassay format is the most commonly
used technique for analysis due to the inherent specificity associated with the use of antibodies as
molecular-recognition agents [10,11]. Immunoassay formats have been integrated with several
detection strategies in order to develop cancer diagnostics including colorimetric [12], fluorescence [13],
electrochemical [14], chemiluminescence [15], electrochemiluminescence [16], and plasmon resonance
sensors [17].

The vast development of sensor assembly techniques encompassed a great leap in the progress
of immunoassay-based cancer biomarker diagnostics. Several immunoassay-based diagnostic
tools have been recently commercialized with promises of unprecedented sensitivities including
electrochemiluminescence-based Meso Scale Discovery (MSD) platform and single molecule array
technology (Simoa® technology) by Quanterix® (MA, USA) [18,19]. Although these techniques
provided an excellent opportunity for early diagnosis and understanding cancer biology, they
are limited to centralized laboratories as they require expensive bulky instrumentation and
trained operators. With advanced manufacturing techniques, sensors developed acquired better
automation, higher sensitivities, far-reaching accessibility, and multiplexing capabilities [20,21].
These developments promise the realization of point-of-care (POC) testing for cancer screening,
detection, and staging. Among various approaches utilized for fulfilling these POC testing requirements,
additive manufacturing furnished a launchpad for innovative yet easy cancer biomarker sensor
manufacturing tool [22].
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Additive manufacturing, also known as 3D printing, is making rapid inroads in manufacturing,
and advanced fabrications that are quickly moving into production [23]. 3D printing has been utilized
in development and fabrication of sensors for detection of glucose [24], drugs [25], trace elements [26],
neurotransmitters [27], nucleic acids [28], and proteins [29]. The vast scope and innovative nature
of 3D printing in development of biosensors is backed by the versatility of options provided by the
immense progress in the design and production of desktop 3D printers. These 3D printers now offer
access to hundreds of printable substrate materials that can be used to make products with spectrum
of properties including transparency, electrical conductivity, elasticity, chemical and thermal resistivity.
This has allowed the design and fabrication of previously hard to rapidly fabricate sensors and sensor
arrays at very low cost.

The process of 3D printing is rather simple, a computer software often available at no charge to
academics, is used to create the initial design. The initial computer aided design (CAD) file is then
sliced into printable layers using slicing software specific for each desktop 3D printer. The 3D printer
then physically prints layers on top of each other to form the final product [30]. Recently, a more
advanced printing technique, tomographic volumetric 3D printing, has been used to print the whole
design in one step eliminating the need for slicing and layer-by-layer printing which in turn drastically
reduces printing time [31].

In this review, we provide a summary of different 3D printing techniques currently utilized in
desktop 3D printers. In addition, we describe, as examples, the application of the 3D printing technology
for development and fabrication of electrochemical, chemiluminescence, and electrochemiluminescence
sensors for cancer biomarker proteins. We also discuss the design of complex hybrid sensors that can
be achieved with 3D printing. Finally, we give a brief account on limitations associated with current
3D printing technologies and possible future impact of 3D printing.

2. 3D Printing Technologies

Several strategies have been adapted in the production of desktop 3D printers depending on
the principle of printing and nature of printable substrate. Printable substrates can be divided into
polymerizable materials, thermoplastics, and curable inks. Based on the nature of the substrate material
different printing technologies have been developed. In this section, we will describe common 3D
printing technologies, principles, limitations, and applications.

2.1. Fused Deposition Modeling (FDM)

FDM is one of the first 3D printing techniques utilized in desktop 3D printers commercially
available at a large scale. This method utilizes a thermoplastic material which is melted through a heated
printing nozzle and extruded onto solid printing platform. The printing nozzle head moves in X, Y,
and Z directions in order to extrude layers on top of each other. Once extruded out of the printing head,
thermoplastics tend to restore their solid nature before being heated in the printing nozzle (Figure 2A).
FDM offers a low-cost 3D printing technology with easily changeable materials and minimal waste [32].
It also allows printing of multi-component parts simultaneously with printers equipped with double
or triple printing nozzles [33]. The most common substrate materials utilized in FDM printers are
acrylonitrile butadiene styrene (ABS) and polylactic acid (PLA) [34]. Interestingly, FDM was successfully
utilized in printing of carbonaceous conductive substrates like carbon black, graphene, or carbon
nanotubes mixed with thermoplastic materials [35]. Printing conductive materials paved the way for
3D printing of electronic components [36], integrated electrochemical sensors [37], and batteries [38].
FDM suffers from several drawbacks associated with low printing resolution (~5 μm), relatively high
energy requirements, hazardous vapors, and adhesion problems with multi-materials printing [39].
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Figure 2. Schematic illustration of 3D printing techniques commonly utilized in prototyping and
production of cancer immunosensors. Arrows indicates direction of movement.

2.2. Photopolymerization/Stereolithography (SLA)

Photopolymerization and digital light processing utilizes a selective light-aided curing process
of special polymerizable liquid where polymerization is induced by light of specific wavelength.
A moving laser beam hitting a resin-filled vat at a programmed pattern controlled by the printer
software induces polymerization at that specific point. As laser beam moves, it cures a pre-designed
layer point-by-point onto a solid printing platform that was immersed into the resin tank at a very close
proximity to the tank bottom. After each layer the printing platform moves in the Y direction for next
layer to be printed allow printing of successive layers on top of each other (Figure 2C). Digital light
processing utilizes a similar system while curing one layer at each projection which allow faster
printing compared to point-by-point curing [40]. Polymerizable liquids usually consist of monomers
and oligomers of epoxides and acrylates mixed with photo-initiators. Light focused onto a single point
or a projected layer activates crosslinking of the monomers and/or oligomers in the liquid mixture
into a solid polymer. The moving printing platform allows the liquid mixture to fill the small gap
between the tank bottom and the printing surface for the next layer to be printed. SLA is used to print
materials with a spectrum of different properties including transparent, flexible, heat resistant, castable,
and biocompatible pieces [41,42]. SLA also offers very good print resolution (~0.2 μm) at a relatively
affordable cost [43]. A new technology utilizing two-photon polymerization was recently introduced
to achieve nanometer resolution SLA printing [44]. Although, SLA can be used to produce smooth,
high resolution complex architectures, it is still limited to printing a single polymer, by the need for
internal supports, and requires post printing cleaning and processing.

360



Sensors 2020, 20, 4514

2.3. Direct Ink Writing (DIW)/Material Jetting

Direct inkjet printing is utilized to deposit materials from inkjet print head onto a build platform or
substrate. It depends on the on-demand delivery of adjustable amounts of printable materials onto the
printing platform drop-by-drop in a predetermined pattern for layer-by-layer printing. Actuation of
material jetting from inkjet head is either thermally or piezoelectrically induced. Thermal jetting
requires a heating element that produces a localized heat enough to increase the vapor pressure
inside the printing head, leading to ejection of small volume of material. While piezoelectric jetting
utilizes a piezoelectric element, which upon application of electric current, generates a mechanical
movement enough to eject the ink. An inkjet printing head moving in X, Y and Z directions guides the
deposition of a viscous liquid, hydrogel or dispersion onto the printing platform in a desired pattern
(Figure 2D) [45]. DIW can be also used to bond powder particles together with the aid of an adhesive
polymer [46]. Due to the mechanical ejection mechanism, DIW is time consuming that may take up to
a few days for a single print and usually requires post-printing drying. It is utilized for high resolution
printing of electronic circuits [47], smooth flexible materials [48], cells and biomaterials [49]. Printing of
biomaterials is possible with DIW due to its room temperature piezoelectric printing capabilities and
ease of loading into biomimetic printable dispersions.

2.4. Selective Laser Sintering (SLS)

Similar to photopolymerization, SLS utilizes a high energy CO2 laser beam to melt powder beads
into metallic, plastic or ceramic layers. The laser beam scans through the powder bead to print one
layer, then printing platform moves down allowing addition of a fresh layer of the powder beads
which is then sintered and bind to the previous layer (Figure 2B). This system allows printing complex
structures without the need for internal supports, usually required in SLA, while recovered powder
after printing can be reused reducing cost and waste [42]. Recently, the use of high energy electronic
beam was used to replace laser beam for printing of metallic objects with improved mechanical
properties [50]. The use of SLS in sensor fabrication is not common as it is limited to metal and ceramic
printing and relatively high operation and maintenance cost compared to other printing techniques.

2.5. Tomographic Volumetric Additive Manufacturing

Unlike other 3D printing techniques that utilize sequential layer-by-layer printing, multi-beam 3D
printing technology prints objects by irradiating transparent resin from multiple angles simultaneously
(Figure 3). This results in the polymerization of the whole object at the same time, greatly reducing
printing time and permitting the production of highly complex architectures [31]. Although it
offers a very high throughput (>105 mm3/hr), it suffers from low resolution (80 μm) and complex
printing setup [51].

 

Figure 3. Schematic illustration of tomographic volumetric 3D printing. Reproduced with the
permission from [31]. Copyright (2020) Springer Nature available under the terms and conditions of
Creative Commons Attribution 4.0 International License.
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2.6. Bioprinting

3D bioprinting encompass a spectrum of printing strategies compatible with the labile nature
of cells and biomaterials. 3D bioprinting can be adapted in some of the aforementioned 3D printing
technologies like direct ink writing, while most of them would have inherent limitations associated with
the thermal stability and compatibility of biomaterials. Alternatively, 3D printing techniques, aimed
primarily at biomaterial and cell printing, have been developed to overcome these limitations [52].
Syringe-Based extrusion bioprinting, an extrusion-based technique, extrudes a bio-ink at an optimized
rate from a moving syringe onto printing platform. Bio-Ink is usually a photocurable polymer or a
hydrogel loaded with cells or biomaterials. Extrusion is driven through pneumatic, mechanical, or
solenoid valve activation process and the extruded bio-ink is printed layer-by-layer in a computer-aided
predetermined pattern. Syringe-Based extrusion is the most widely used bioprinting technique and has
been used in most of commercially available bio printers [53]. Syringe-Based extrusion has been mainly
utilized in the production of cell-laden architectures for tissue engineering and drug testing [54–56].
Another common bioprinting technique is the laser-induced bioprinting, where a biomaterial-laden
layer adsorbed on a donor substrate is transferred under the effect of pulsed laser to the receiving
substrate. Donor substrate is usually a transparent material like glass coated with laser-absorbing layer
that generate a high pressure upon exposure to pulsed laser propelling itself out of the underlying
glass onto the receiving substrate [57]. Laser-Induced bioprinting has been investigated for printing of
cell-laden collagen architectures and tissue models for cancer studies [58]. Bioprinting promises an
easy, accessible, and cost-effective one-step fabrication platform for organs on chip for cancer studies
and online high throughput drug-tissue interactions [59,60].

3. 3D Printed Electrochemical Sensors

A typical electrochemical biosensor contains two key parts: electrochemical transduction element
(e.g., electrode) and biorecognition element (BRE) (e.g., antibody or enzyme). Analyte (e.g., proteins and
nucleic acids) from the sample interacts with BRE and generates electroactive products, of which the
electrochemical signal is then converted through the transducer and measured. Traditional electrode
materials mainly fall into four groups: (1) Noble metals (gold, silver, platinum) have their excellent
conductivity, electron transfer kinetics and stability. Gold electrodes are especially favored in bioassays,
easy to functionalize with biomolecules and have potential window of about −0.4 to 0.7 V vs. Ag/Ag/Cl
at neutral pH [61,62]. (2) Semiconductors, including organic (polymer) and inorganic (indium tin oxide
ITO) semiconductors, have lower cost and larger potential window (0.0 to 1.8 V [61]) than gold, but
also lower conductivity. (3) Carbon-Based electrodes (pyrolytic graphite, glassy carbon, and graphene)
are easy to process, and have large potential window but may have minor stability problems in some
applications. (4) Conductive polymers offer a variety of material choices, but have lower conductivity
than noble metal and carbon-based electrodes. Electric signals from the electrode are measured by
methods such as potentiometry, voltammetry, impedance spectroscopy, conductometry and stripping
techniques [63]. Most work discussed in this section employed voltammetry such as cyclic voltammetry
(CV) and square wave voltammetry (SWV), and Ag/AgCl as the reference electrode.

Electrodes can be 3D printed using fused deposition modeling (FDM) and selective laser melting
(SLM). The printing materials used in FDM are conductive filaments, which are polylactic acid
(PLA) or acrylonitrile butadiene styrene (ABS) filament mixed with conductive carbonaceous material
such graphite, graphene, carbon nanofibers, carbon nanotubes and carbon black. Two filaments
graphene/PLA (Black Magic) and carbon black/PLA (Proto-pasta) are commercially available and
can be used in electrode fabrication [64]. SLM uses metal powder to print electrodes, such as iron,
steel, and aluminum. 3D printing technique brings great flexibility in electrochemical sensor design.
Different electrode geometries can be printed, and the influence on sensor performance studied.
The high precision improves the quality of 3D printed sensors, but challenges still exist. FDM printed
electrodes have poor conductivity because of the low amount of conductive material in the filament, and
therefore need surface treatment before use. Methods such as mechanical polishing, electrochemical or
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chemical activation and enzyme digestion are used to partially remove the non-conductive material
from the electrode surface [64]. SLM 3D printers and metal powders are expensive and require some
post-print cleaning [65].

3.1. 3D Printed Chip Integrated with Traditional Electrodes

Here, we class recently reported sensors into two types. The first is traditionally fabricated
electrodes integrated into a 3D printed chip. One example is electrochemiluminescent (ECL) sensors,
which will be specially covered in next section. Damiati et al. [66] developed such an array for real-time
immunodetection of liver cancer cell HepG2. The recombinant S-layer fusion protein (rSbpA/ZZ) was
recrystallized on the surface of a screen-printed gold electrode, serving as an intermediate layer to aid
the efficient capture of anti-CD133 antibody, which recognizes and binds to the CD133 protein on the
surface of liver cancer cells HepG2. A 3D microfluidic chamber was printed by FDM using co-polyester
polymer (dimension: 1.5 × 1 × 7 mm) and assembled to the electrode with a double-sided adhesive film
(Figure 4A). Cyclic voltammetry (CV) was performed and a detection range of 1 × 105–3 × 106 cells/mL
was reported. Similarly, a flow system based on multiwall carbon nanotube (MWCNT) electrode was
present by the same group one year later, targeting hepatic oval cells (HOCs), which is an important
origin of liver stem cells in hepatocellular carcinoma [67]. The crosslinking chemistry of chitosan and
glutaraldehyde was applied on the electrode to immobilize oval cell marker antibody (anti-OV6),
which binds to the surface maker OV6 from HOCs (Figure 4B). Digital light processing (DLP) was
used to print the flow cell, housing the modified electrode. Square wave voltammetry (SWV) was
performed in the assay, and a detection range of 1 × 102–5 × 105 cells/mL was reported. In Sun et al.’s
work, the built-in electronics was further expanded to a 1.5 inch × 2.5 inch printed circuit board (PCB)
connected to a smartphone, both harvesting energy from the phone and communicating data to the
phone for analysis and display [68]. The system was designed to track secretory leukocyte protease
inhibitor (SLPI), a biomarker in cystic fibrosis. A case was 3D printed to house the electronics with a
screen-printed electrode inserted, then the whole system was connected to a smartphone (Figure 4C).
CV was applied and a detection limit of 1 nM was achieved.

 

Figure 4. Pre-Fabricated electrodes integrated into 3D printed devices as electrochemical biosensors.
(A) From left to right: the screen-printed electrode, adhesive layer, 3D printed microfluidic chamber
(yellow), and the assembled device. The device was used for detection of liver cancer cell
HepG2. Reproduced with permission from [66]. Copyright (2017) Elsevier. (B) Immunoassay
procedures on a multiwall carbon nanotube (MWCNT) modified screen-printed electrode (SPE)
(1–5), electrode-embedded 3D printed flow cell (6), and connected to a flow control system (7), and
targeting hepatic oval cells (HOCs). Reproduced with permission from [67]. Copyright (2018) MDPI
available under Creative Commons Attribution. (C) Printed circuit board module housed in a 3D
printed case, with screen-printed electrode inserted, connected to the smart phone for powering, data
communication, and display, tracking lung infection in cystic fibrosis. Reproduced with permission
from [68]. Copyright (2016) Elsevier.
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Progress has also been made developing lab-made electrodes, then combining with a 3D printed
device. Scordo et al. [69] used wax printing and screen printing to fabricate a paper-based electrode
equipped with both reference electrode (Ag/AgCl ink) and working electrode (graphite-based carbon
black/prussian blue nanocomposite ink, or CB/PBNBs ink). Preloading the substrate onto the filter paper
made this to be an ‘all-in-paper’, ‘reagent-free’ device. A 3D holder was printed by stereolithography
(SLA) to house the electrode (Figure 5A). The assay monitored the activity of butyrylcholinesterase
using amperometry detection. The sensor achieved a linear range of 1–12 IU/mL with a detection
limit of 0.1 IU/mL, and was also tested in serum samples. Tang et al. designed multiple dual
(ratiometric) [70,71] and single [72] aptasensors for the detection of carcinoembryonic antigen (CEA),
a broad-spectrum biomarker of pancreatic carcinoma, breast cancer and gastric carcinoma, using
photo-electrochemistry. The electrode was fabricated from organic or inorganic semiconductors.
A 3D printed platform was used to house the whole system (Figure 5B). Photoelectric current was
generated by CdTe quantum dots, harvesting light energy from the nanoparticles activated by the
near-infrared light. A two working photoelectrode (WP) system was introduced in Figure 5B, where
CEA aptamer 1 (A1) was immobilized on WP1, and CEA aptamer 2(A2)-gold nanoparticle conjugate
with its complimentary DNA called capture DNA were immobilized on WP2. The binding of CEA to
A2 released gold nanoparticles, leading to a signal change between two WPs, from WP1 >WP2 to
WP1 <WP2. For detection, the constant potential was set at 0 V and the photocurrent~time curves for
both electrodes were recorded. Lowest detection limit achieved in their works was 4.8 pg/mL.

 

Figure 5. Self-designed electrodes integrated into 3D printed devices as electrochemical biosensors.
(A) From left to right: wax- & screen-printed paper-based electrode, 3D printed holder for the electrode,
and the connected system, used for detection of butyrylcholinesterase activity. Reproduced with
permission from [69]. Copyright (2017) Elsevier. (B) Dual-Channel ratiometric photoelectrochemical
detection of carcinoembryonic antigen (CEA) housed in a 3D printed device. Reproduced with
permission from [70]. Copyright (2018) American Chemical Society.
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3.2. 3D Printed Electrodes

Pumera et al. pioneered this area by introducing a helical-shaped stainless-steel electrode
made by selective laser melting (SLM) printing [73]. The printed electrode had dimensions of
1.5 cm × 0.5 cm (Figure 6A). After deposition of an IrO2 film, the steel-IrO2 electrode gave excellent
catalytic properties for oxygen generation and as a pH sensor. Moving forward onto biosensors, this
group electro-plated the same SLM-printed helical-shaped steel electrode with gold to study DNA
hybridization [28]. DNA recognition element SH-L probe was immobilized onto the gold electrode
by thiol-gold interactions, the electrode was then blocked to cover any free surface, and incubated
with DNA targets for hybridization. Finally, methylene blue solution was added, and methylene blue
molecules intercalated into the double helix structure. Differential pulse voltammetry (DPV) was used
to measure the reduction peak from the electroactive methylene blue and quantify the extent of DNA
hybridization (Figure 6B). A detection range of 1–1000 nM was achieved.

 
Figure 6. 3D printed electrodes as electrochemical biosensors. (A) Dimensions of the
helical-shaped IrO2-deposited stainless-steel electrode printed by selective laser melting (SLM)
and cyclic voltammograms. Reproduced with permission from [73]. Copyright (2015) Wiley.
(B) Gold-Electroplated helical steel electrode used in measuring DNA hybridization. Differential pulse
voltammograms at various DNA concentrations are shown. Reproduced with permission from [28].
Copyright (2017) Royal Society of Chemistry.

Many researches have detected metals ions and small organic molecules utilizing FDM or SLM
printed electrodes, but not much has been done on the biomedical side—some analyte examples are
H2O2, glucose, lactate, and dopamine [64], still not much on proteins and DNA. Several reasons exist:
(1) Difficulty in protein/DNA immobilization onto the electrode. (2) Smaller microelectrodes compared
to current printed ones are needed for immunoassays. Our group has reported measurements
of various cancer biomarker proteins using an eight-electrode array fabricated by inkjet printing
using gold nanoparticle ink [48,74–76]. Each printed electrode array has an overall surface area of
0.299 ± 0.015 mm2, and the electrode contact is only 465 μm × 465 μm (~0.216 mm2). The dimensions
of reported FDM or SLM printed electrodes are a few cm or larger. (3) High quality electrodes are
needed for immunoassays. Interference such as electrode fouling and non-specific binding from the
sample matrix are problems for all electrochemical biosensors, but can be a bigger problem in the case
of complex biological samples, which puts high requirement on non-specific binding inhibition on the
printed electrodes.
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4. 3D Printed ECL/CL Sensors

Electrochemiluminescent (ECL), chemiluminescent (CL), and nanoparticle-assisted assays utilizing
signal amplification strategies have come into the limelight to produce immunosensors that can
overcome sensitivity limitations. These immunosensors can have high sensitivity, low detection limits,
low background signal, and enhanced signal transduction [77]. ECL biosensors utilize an ECL-active
dye as the detection label, responsible for generating the signal via an ECL-producing pathway initiated
by a complex redox reaction driven by a conductive electrode interface [78]. ECL active dye emits
energy in the form of light as it transits from an excited state produced by the redox chemistry to
the ground state when the proper potential is applied. Initial trends involved the development of
3D printed electrodes and channels along with ECL detection. Some of the commonly used ECL
substrates include complexes of ruthenium [79,80], iridium [81], and osmium [82]. They can be used
in solution, as polymerized films, as nanoparticle bead-based systems or as quantum dots [83–85].
Ruthenium poly(vinylpyridine) [Ru(bpy)2(PVP)10]2+ (RuPVP) and ruthenium tris (2,20-bipyridyl)
dichlororuthenium-(II) hexahydrate are among the most commonly used substrates [86,87].

ECL assays with 3D printed microfluidic arrays can be automated, cheap, and disposable.
Our group used RuBPY silica nanoparticles to evaluate the chemical genotoxicity on DNA damage
from cigarettes, electronic cigarettes and in aqueous environmental samples by ECL using a 3D printed
device. Here, RuBPY was loaded into silica nanoparticles for signal amplification [88,89]. The redox
reaction occurred upon applying a potential of 0.95 V vs SCE to produce ECL at 610 nm with ECL
signal proportional to degree of DNA damage. The 3D printed device consisted of three sample
chambers running into three detection chambers fitted with a pyrolytic graphite block bearing 10 nm
deep nano-wells. The reaction took place in the nano-wells coated with RuBPY/cytochrome P450
enzyme/DNA layers for a layer by layer assembly.

We also developed 3D printed immunoarrays automated by a programmable syringe pump
delivering reagents sequentially into the detection chambers. The sandwich immunoassay was carried
out at the detection chamber of 10 nm deep nano-wells on a pyrolytic graphite chip, facilitating
lower sample and reagent volumes. The size of the sample chamber was governed by the number of
cancer biomarker proteins being detected, starting with 3 biomarkers [90] and moving up to detect
8 biomarkers simultaneously in a single array [91]. In all the devices, the detection chamber was
designed to accommodate a working and reference electrode to which potential was applied to generate
ECL light in the presence of the co-reactant triproplyamine (TPrA). Images of the ECL signal intensity
were captured in a dark box with a CCD (charged couple device) camera (Figure 7). In an early
experiment, our group used a non-transparent 3D device printed by FDM 3D printer that had a
sample chamber and reagent reservoirs to facilitate gravity driven reagent delivery. The system was
powered by a capacitor without a potentiostat (Figure 7B). Electrodes were screen printed and then
functionalized with capture antibodies. RuBPY SiNPs coated with secondary antibodies were used
to carry out the immunoassay on the surface of the electrode. 3 prostate cancer biomarkers were
measured, prostate-specific antigen (PSA), prostate-specific membrane antigen (PSMA) and platelet
factor 4 (PF4). Limits of detection (LODs) ranged from 300–500 fg/mL [91]. After this initial system,
designs evolved to include many improvements. The 3D printed devices moved to semi-transparent
devices, SLA printers were used for array printing, Krylon spray was used in order to make the devices
more transparent, pyrolytic graphite blocks were replaced by thin pyrolytic graphite sheets, the cost of
development decreased. Finally, panels of biomarkers were expanded for more reliable prognosis and
treatment [90,92]
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Figure 7. Schematic illustration of 3D printed biosensor arrays that employ electrochemiluminescent
(ECL) detection used for cancer diagnostics. (A) Automated 3D-printed ECL microfluidic array used in
genotoxicity screening Reprinted with permission from Copyright (2017) American Chemical Society.
(B) Automated 3D printed supercapacitor-powered ECL Protein Immunoarray. Reproduced with
permission from [90]. Copyright (2016) Elsevier. (C) Automated 3D printed microfluidics immunoassay
detecting 4 protein samples simultaneously. Reproduced with permission from Copyright (2018) The
Royal Society of Chemistry. (D) Automated 3D printed microfluidic array for detection of 8 cancer
biomarker proteins simultaneously. Reproduced with permission from [90]. Copyright (2018) American
Chemical Society. (E) Complete pathway to the detection of human breast cancer cells by using bipolar
electrode modified by an aptamer coated inside a 3D printed microchannel by ECL. Reproduced with
permission from [92] Copyright (2018) Elsevier.

In related work, Montaghi et al. developed a system for sensitive detection of breast cancer cells
(MCF-7) using ECL via a functionalized bipolar electrode (BPE) mounted in a 3D printed microchannel
(Figure 7E) [93]. Functionalization involved attachment of aptamer specific to nucleolin on the anode
of the BPE. Gold nanoparticles were modified by a secondary aptamer. ECL was generated using
luminol in the presence of hydrogen peroxide. The assay was able to detect limit of 10 breast cancer
cells MCF-7.

Chemiluminescence (CL) can also be used to determine the concentration of an analyte by
measurement of the luminescence intensity initiated by a chemical reaction [94]. Unlike ECL, CL has
no need for electrodes and requires on light detection for operation [95,96]. The most commonly used
CL substrates are luminol with peroxidases and alkaline phosphatase (ALP) for activation. The signal
is generated from the reaction between the CL substrate and hydrogen peroxide in the presence of
horseradish peroxidase enzyme (HRP) as the catalyst, emitting light at 425 nm when the oxidized
triplet dianion decays from its excited state to the ground state. This system has wide applications to
immunoassays, environmental analysis [97,98], clinical diagnosis [99,100], the food safety [101,102],
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and pharmaceutical analysis [103,104]. Gold nanoparticles (AuNPs) have been used to label antibodies
and enhance CL signals [105]. Similarly, polymers multi-labelled with enzymes like poly-HRP has been
recently investigated to enhance the CL signal increasing assay sensitivities [106]. Signals are measured
in a dark box using a CCD camera same as in ECL detection. CL combined with 3D printing technology
opened doors to automation and multiplexed detection of cancer biomarker proteins [107,108].

We reported the first non-polydimethylsiloxane (PDMS), transparent 3D printed device with
channels, detection chamber and reagent mixer (Figure 8A) integrated with an immunoarray in 2017 to
measure protein biomarkers. Proteins PF-4 and PSA were studied in this example, giving LODs of
0.5 pg/mL for both along with broad dynamic ranges [109]. We also developed an assay using CL for
multiplexed ELISA in 3D printed pipette tips (Figure 8B) [29]. Both colorimetric and chemiluminescence
detection methods were considered in the novel TIP ELISA approach. A smartphone was utilized to
enable the electronic delivery of results proving it to be suitable for POC testing. The immunoassay
was done in the side of the pipette tips. It proved to be more sensitive, faster and required less sample
and reagent volumes than traditional ELISA assays. Four prostate cancer biomarkers were studied
giving LODs down to 0.5 pg/mL concentration level. The results showed good correlations with ELISA
cutting down the cost to less than 25% of conventional ELISA. Other 3D printed systems that have
been developed that detect lactate and H2O2 in biological fluids and plant extracts.

Figure 8. Schematic illustration of 3D printed biosensor arrays that employ chemiluminescent (CL)
detection for cancer diagnostics. (A) 3D printed design of a unibody microfluidic CL array device.
Inset: (a) Details of the unibody immunoarray showing upstream reservoir chambers separated by air
chambers for air gaps to prevent intermixing, followed by a 3D mixing network of 96 turns, finally
detection chamber that houses the antibody array; (b) The mixer highlight containing 96 turns that are
0.8 mm × 0.8 mm × 0.8 mm 90 turns. 2 different solutions pumped into the mixer at the rate of 50 μL/
min mix at the third turn (indicated by the arrow). It shows excellent mixing efficiency (indicated by the
difference in the colors before and after mixing). Reproduced with permission from [109]. Copyright
(2017) The Royal Chemical Society. (B) Graphical representation of ELISA sandwich immunoassay
in 3D printed pipette tips. Inset: (c) Fully transparent 3D printed pipette tips filled with different
color food dyes attached to a multi tip pipette; (d) steps involved in the pre coating showing the
immobilization of capture antibodies on the inner walls of the tips coated with chitosan followed by the
sandwich immunoassay and the generation of the CL signal and colorimetry; (e) Signal capture and
processing flow for both colorimetry and CL using a smartphone and a microplate reader. Reproduced
with permission from [29]. Copyright (2019) American Chemical Society.

368



Sensors 2020, 20, 4514

5. Hybrid 3D Printed Sensors

Hybrid sensors with capability to integrate multiple components play a crucial role in developing
newer technologies and deliver better user interaction. Ability to design and fabricate such integrated
hybrid sensors during the proof of concept stage provides greater advantage than using simple off the
shelf commercial sensors. Such an attempt requires addressing unique challenges, and 3D printing
with ability to make complex shapes and sizes, using multi-material, nano-material integration and
3 dimensional structures using conductive inks/materials will provide enhanced sensing capabilities.
Most importantly, 3D printing aids in consolidating a working prototype of such hybrid sensors with
less creation time and cost.

Integration of 3D printed electrodes made of materials composed of metal-based inks and
conductive materials have played a key role in development of novel electrochemical and electro-optical
micro devices and they offer several benefits 1. Rapid prototyping—full realization of a manufactured
prototype can be improved 2. Manufacturing tailor made electrodes and seamless incorporation—ideal
for designing miniaturized point-of-care devices 3. Ability to design features not possible by traditional
methods like rough/smooth surfaces, multiple electrodes for multiplexing, control of sensor sizes,
complex geometry, cost to prototype, robustness and chemical resistance supported my availability
of novel nano composite materials. Evolution of electrochemical 3D printed sensors predominantly
focused on making 3D printed housing to integrate commercially available electrodes. Thus, making a
functional hybrid sensor that has all the components printed and integrated will help realize the novel
technologies reach the commercial arena at a scale approachable by masses. Biomarker discovery
and cancer diagnostics are particularly challenged by lack of standalone devices that are sensitive to
detect ultra-low levels of the biomarker levels with multiplexing capabilities. 3D printing can facilitate
integration of multiple components like reagent storage and delivery, sensing surfaces by printing
bio-recognition surfaces, complementary electronics for automation and data sharing modules in a
miniaturized format realizing a true point of need platform.

We summarized such recent hybrid systems here, Sebechlebska et al. demonstrated a 3D
printed hybrid integrated sensor that integrates electrochemistry and UV/Vis absorption spectroscopy,
dubbed as a first ever report of UV/Vis absorption spectroelectrochemical apparatus, employing 3D
printed optically transparent working electrodes [110]. PLA based 3D printed electrodes made from
carbon nanotubes (Figure 9A) were utilized in this study due to their higher electrical conductivity
compared to PLA doped with carbon black and graphene. Functional electrode sensors require
facile electron transfer at electrode/electrolyte interface, variation in electroactive probes reversibly
transferring electrons at electrode surface is referred to intrinsic kinetic barrier. Majority of PLA/carbon
composited have high kinetic barrier not suitable for electrochemical studies, whereas Ruthenium
(III) acetylacetonate based activation process evolved a lowest ever reported kinetic barrier for a 3D
printed electrode with magnitude of faradaic response like conventional carbon electrode (Figure 9A).
A 3-electrode (gold wires as counter and reference electrodes with PLA/CNT electrodes as working
electrodes) setup integrated in a Quartz cuvette was used to monitor electrochemical process at 3D
printed electrode by in-situ UV/Vis absorption spectroscopy. PLA/CNT electrode was designed with
optical window at the bottom end to accurately visualize UV-Vis spectra of electrochemically active
species (Figure 9B). UV-Vis spectra obtained by cyclic voltammetry of Ru(acac)3 showed reduction
and subsequent re-oxidation of the electroactive species. The rate of absorbance change in reduction
step decreases with time confirms depletion of reactant at working electrode optical window. All the
absorption transients suggested successful implementation of a hybrid sensor using 3D printed
nanocomposite-based electrodes.
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Figure 9. (A) Schematic illustration of 3D printed software designs and scheme of hybrid sensors
arrangement with an optical window on electrode surface in the path of light beam. A complete UV-Vis
spectrum with all the absorption transients shown as inset for successful description of integration.
(B) Images of the working set up and pictures of the 3D printed electrodes and quartz housing for
UV-Vis measurements. All components arrangement, working- counter—and reference electrode
arrangement along with optical viewing window shown. Reproduced with permission from [110].
Copyright (2019) Elsevier.

In another attempt to integrate unique methodologies to produce a hybrid 3D printed sensors,
Irudayaraj et al. integrated magnetic field/magnetic focus with lateral flow sensor to increase
residence time of target-ligand interaction in turn resulting in enhanced sensitivity compared to
conventional lateral flow immunoassay (LIFA) for liquid biopsy and tissue samples (Figure 10A).
The proposed magnetic focus lateral flow sensor (mLFS) [111] was implemented in detection of
cervical cancer biomarker valosin-containing protein (VCP) as proof of concept with exceptional
detection limits of 25 fg/mL with enhanced sensitivity of 106 fold improvement over conventional
lateral flow assays. Magnetic focus is provided by a controlling a simple magnet to manipulate
magnetic probe-labelled targets with capture antibodies at the detection zones. Slower the movement
the higher the interaction and higher the number of labelled probe targets at detection zone. A simple
setup of 3D printed frame designed to integrate lateral flow strip with magnetic bar along with
the sample application portal allowed simple operations process (Figure 10B). Thorough analysis
for contribution of improved sensitivity by magnetic focus was demonstrated by surface-enhanced
Raman spectroscopy (SERS) and dark field imaging of the magnetic nanoparticles along with particle
image velocimetry. Signal generation on the lateral flow assay was via color change in presence of
3,3′,5,5′-Tetramethylbenzidine (TMB) substrate, magnetic nanoparticle probes modified with HRP
and antibody resulted in generation of color spots at detection zones upon addition of colorimetric
substrate (Figure 10C).

Sarioglu et al. [112] constructed a hybrid 3D printed monolithic device for negative enrichment of
circulating tumor cells from whole blood, by combining microfluidic immunoaffinity based cell capture
and a membrane filter to enrich the captured circulating tumor cells for downstream applications.
Microfluidic device was designed to have high surface area and increased interaction between white
blood cells and functionalized surfaces with 4-32 stacked microfluidic layers and 200 μM diameter
microposts (Figure 10D). The microposts serve as support of microfluidic layers as well as chemically
functionalized to attach neutravidin for CTC’s immunoaffinity capture. Filtration section of the
platform has track etched membrane filter to facilitate minimizing cell loss from sample during
enrichment and to collect capture CTCs from the device for downstream application like fluorescence
microscopy or on-chip staining. Blood sample premixed with biotinylated anti-CD45 antibody to pass
through Neutravidin functionalized stacked microfluidic layers. Typically, ~90% of tumor cell recovery
was found with multiple cancer cell lines with ability to process clinically relevant blood volumes with
at least 300 μL per microfluidic layer.
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Figure 10. (A) Schematic representation of effect of magnetic focusing on a lateral flow assay resulting
in enhanced density of magnetic probe-labelled target in the capture antibody detection zones. Effect of
magnetic focus represented with and without magnets underneath lateral flow (LF) device to show
improved accumulation compared to conventional lateral flow assay (LFA). (B) 3D printed device that
acts like a frame to hold the lateral flow strip along with magnet and a sample addition zone for liquid
biopsy sample aimed to detect cancer biomarkers. (C) Comparison of colorimetric signal as detection
results with and without magnet. Reproduced with permission from [111]. Copyright (2019) American
Chemical Society (D) Schematics of tumor cells enrichment process in a multi-layered immunocapture
microfluidic layer. Microposts inside the microfluidic channels assist structural integrity and enhanced
surface area to allow higher capture and enrichment efficiency. 3 μM membrane filter to retain all eluted
nucleated cells for downstream applications. Reproduced with permission from [112]. Copyright (2019)
The Royal Society of Chemistry (E) Images of 3D printed modular chips made from DLP based
stereolithography based approach where monomeric resin is doped with acrylic acid to generate a
platform that has intrinsic carboxylates for direct conjugation of biomolecules. Reproduced with
permission from [113]. Copyright (2019) The Royal Society of Chemistry.

Frascella et al. demonstrated a hybrid sensor that possess active functional groups to conjugate
biomolecules, they designed a photocurable formulation to introduction desired amount of carboxyl
(-COOH) groups [113]. 3D printing with intrinsic functionalities, especially in terms of ability to
easily immobilize biomolecules on polymeric surfaces is very attractive mainly because it reduces
complexity of sensor manufacturing, no multiple components needed to make a functional platform
and most importantly in a mass production scenario it allows reproducibility. Frascella et al. designed
simple 3D printed sensors with Y-shaped mixer for single step reagent mixing assays and multiple step
single chamber devices (Figure 10E) that require no chemical derivatization and showed application of
colorimetry detection of cancer biomarker proteins. Three formulations of chemically modified acrylic
resin bisphenol A ethoxylate diacrylate (BEDA), 1,6-hexenediol diacrylate (HDDA) and poly(ethylene
glycol) diacrylate (PEGDA) were evaluated for their protein grafting ability post 3D printing and
found out BEDA at 10% acrylic acid density showed highest amount of protein immobilization and
subsequent detection via colorimetric signal generated by HRP labelled antibodies. Two angiogenesis
biomarkers, vascular endothelial growth factor and angiopoietin-2 were detected in serum with
detection limits of 11 ng/mL and 0.8 ng/mL, respectively.

Above mentioned proof-of-concept platforms highlights the need for hybrid sensors with intrinsic
capabilities to evolve into true fully 3D printed diagnostic platforms. Overall, 3D printing of
biosensors for diagnostics is rapidly evolving and moving in a direction to address many inherent
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challenges. By designing hybrid sensors with ability to integrate multiple technologies and improving
biocompatibility and bio-adhering capabilities is establishing new benchmarks and a path to transform
from just prototyping to commercial mass production market.

6. Challenges and Future Perspectives

Assay systems described above demonstrate that 3D printing has offered a great new low cost,
asset for researchers developing biosensors. A major advantage is that sensor arrays for proteins and
other analytes can be developed and fabricated on the same platform, the final optimized prototype
can essentially be the final product for the clinic or hospital. That along with the speed of development
and optimization, and the low cost of most of these printers, suggest a brilliant future for 3D-printed
diagnostic devices measuring biomarkers of all types for cancers and other diseases. Gained protein
biomarker multiplexing capabilities, increasingly supported by 3D printed immunosensors, is of
great interest specially with the growing knowledge correlating different abnormalities in biomarker
expression with different types of cancer. Table 1 summarize examples of protein biomarkers detection
strategies and its correlated cancer.

Table 1. A summary of published biomarker-based cancer diagnostics.

Cancer Biomarker Sensor Detection Range or Limit

Liver cancer CD133
Screen-printed gold

electrode integrated into
a 3D printed chamber

1 × 105–3 × 106 HepG2
liver cancer cells/mL [66]

Hepatocellular
carcinoma

Oval cell marker antibody (OV6)

Multiwall carbon
nanotube (MWCNT)

functionalized electrode
integrated into a 3D

printed flow cell

1 × 102–5 × 105 hepatic
oval cells (HOCs)/mL [67]

Cystic fibrosis
Secretory leukocyte protease

inhibitor (SLPI)

Printed circuit board
with built-in

screen-printed electrode
integrated into a 3D

printed case and
connected to a smart

phone for control

Limit of 1 nM [68]

Pancreatic
carcinoma, breast
cancer and gastric

carcinoma

carcinoembryonic antigen (CEA)

Self-designed and
printed photoelectrode

integrated into a 3D
printed platform

10.0 pg/mL–5.0 ng/mL
with limit of 4.8 pg/mL [70]

Prostate cancer
Prostate-Specific antigen (PSA),

prostate-specific membrane
antigen (PSMA)

3D printed multiplexed
ECL immunoarray with
programmable syringe

pump

Limits of 150 fg/mL for
PSA, and 230 fg /mL for

PSMA [92]

Prostate cancer

PSA, cluster of differentiation 14
(CD-14), Golgi membrane protein
1 (GOLM-1), insulin-like growth

factor binding protein 3 (IGFBP-3),
insulin-like growth factor 1

(IGF-1), platelet factor 4 (PF-4),
vascular endothelial growth factor

D(VEGF-D), PSMA

3D printed multiplexed
ECL immunoarray with

lab-built electronic
control system

Limits of 78−110 fg /mL
[90]

Prostate cancer PSA, PSMA, PF-4

3D printed multiplexed
ECL immunoarray

powered by
supercapacitor

Limits of 300–500 fg/mL
[91]
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Table 1. Cont.

Cancer Biomarker Sensor Detection Range or Limit

Breast cancer Nucleolin

Functionalized bipolar
electrode (BPE) mounted

in a 3D printed
microchannel for ECL

detection

Limit of 10 MCF-7 breast
cancer cells [93]

Prostate cancer PSA, PS-4
Unibody 3D printed

multiplexed CL
immunoarray

Limits of 0.5 pg/mL [109]

Prostate cancer PSA, VEGF, IGF-1, CD-14

ELISA based 3D printed
multiplexed pipette tip
for CL and colorimetric

detection

Limits of 5 pg/mL for PSA,
25 pg/mL for VEGF, 2.5

pg/mL for IGF-1, and 0.5
pg/mL for CD-14 [29]

Cervical cancer Valosin-Containing protein (VCP)

Magnetic focus lateral
flow immunosensor

(mLFS) integrated into a
3D printed frame for

colorimetric detection

Limit of 25 fg/mL [111]

Ovarian cancer,
breast cancer

VEGF, angiopoietin-2 (Ang-2)

3D printed immunoarray
using lab-formulated

carboxyl group rich resin
for colorimetric detection

Limit of 11 ng/mL for
VEGF, and 0.8 ng/mL for

Ang-2 [113]

One radical foreseen change that can be realized via 3D printing, is the fabrication of sensors
with integrated bio-recognition elements. Most conventional sensor assembly strategies require
extensive procedures to decorate the sensor interface with biomolecules to selectively capture target
analytes. This is an area where 3D printing can stand out as an approach to overcome tedious interface
biomolecule decoration steps. 3D printing of biomolecules is gaining great progress in this direction
specially with the rapid development in 3D bioprinting where enzymes, proteins and cells can be
directly integrated in the printed matrix. Some 3D printed biosensors have been printed with integrated
biomolecules [114] and different printing strategies are being extensively directed towards this goal,
like syringe-based or laser-induced bioprinting.

In spite of these advantages, 3D printing is still limited in aspects of multi-material printing and
resolution. Developing 3D printed electrochemical sensors for cancer protein biomarkers usually
necessitates multicomponent to be printed which is hindered by the very limited printing techniques
capable of achieving such feature and the high variation in inter-material adhesion forces. By way of
example, incorporating a conductive electrode material into a 3D printed sensor using fused deposition
modeling require using conductive carbonaceous filaments that can be printed onto conventional
nonconductive filaments. Although achievable [37], this process is quite complex and require extensive
optimization of the printing parameters to avoid leakage and/or structure deformity. In addition,
common 3D printing techniques and materials have limited compatibility with biomolecules especially
with high energy required for printing processes, like high heat in FDM and high energy laser in
stereolithographic 3D printing, that prevent direct printing of these biomolecules. This necessitates a
post printing surface modification steps to improve the surface characters or add functionality where
biorecognition moieties could be immobilized.

These drawbacks are driving research boundaries of 3D printing to address new challenges and
prior limitations. Recently, 3D printing has been utilized for in situ printing of deformable sensors right
onto soft tissues and organs to accommodate its movement and expansions [115]. This flexibility in the
applications of 3D printing materials with different characteristics expose the power of this technique
in exploring what has been previously limited to sophisticated equipment and complex fabrication
facilities. Ability to integrate complex architectures in a multicomponent sensor, in one step, is a crucial
progress that reduce sensor production and testing time, bring more sophisticated sensor designs, and
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allow the production of sensor at the point of need. 3D printing is also transforming from the method
of choice for prototyping to a high scale production technique, due to progressive availability of high
throughput desktop 3D printers with orders of magnitude larger printing surface compared to earlier
printers. Sensors availability and affordability, granted by current 3D printing ventures, may help
diagnose patients at very early stage where the disease is most responsive to treatment. 3D printing
sensors with integrated biomaterials and signal readout through simple connection to portable devices
like mobile phones, may shape the future of POC
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Abstract: Pandemics require a fast and immediate response to contain potential infectious carriers.
In the recent 2020 Covid-19 worldwide pandemic, authorities all around the world have failed to
identify potential carriers and contain it on time. Hence, a rapid and very sensitive testing method is
required. Current diagnostic tools, reverse transcription PCR (RT-PCR) and real-time PCR (qPCR),
have its pitfalls for quick pandemic containment such as the requirement for specialized professionals
and instrumentation. Versatile electrochemical DNA/RNA sensors are a promising technological
alternative for PCR based diagnosis. In an electrochemical DNA sensor, a nucleic acid hybridization
event is converted into a quantifiable electrochemical signal. A critical challenge of electrochemical
DNA sensors is sensitive detection of a low copy number of DNA/RNA in samples such as is the case
for early onset of a disease. Signal amplification approaches are an important tool to overcome this
sensitivity issue. In this review, the authors discuss the most recent signal amplification strategies
employed in the electrochemical DNA/RNA diagnosis of pathogens.

Keywords: electrochemical DNA sensor; nucleic acid sensor; signal amplification; DNA; RNA;
pathogen sensing

1. Introduction

Rapid, specific and sensitive detection is a goal in emerging biosensor technology. Detection
of pathogens using their genomes becomes a central strategy due to advancement of nucleic acid
sequencing technologies [1]. Nucleic acid-based detection of pathogens provides more flexibility
compared to other biomolecules, as they are present in all living organisms, while every organism or a
virus encode their genes with a distinct genome and sequences. However, access to the DNA/RNA
sequences in a viral pathogen is not straight forward; they are buried inside bilayers of lipids and
proteins of the virion particle. Thus, DNA/RNA should be efficiently extracted from a potential
sample. Additionally, the copy number of a given virion may vary, depending on the stages of the
infection, virulence and the host cells’ replication efficiency. In the case of RNA targets, RNA is reverse
transcribed to complementary DNA using reverse transcriptase and then it is quantified.

Currently, quantitative real time-polymerase chain reaction (qPCR) is a standard method
where a fluorescent signal is coupled with DNA polymerase chain reaction for quantification
of DNA [2–6]. Though this method affords the detection of the presence of 1–10 copies/mL of
DNA sample, PCR is still restricted to professional laboratories due to the need for specialized
instrumentation [7,8]. To simplify DNA detection for point-of-care testing, other alternative approaches
are being developed, namely, colorimetric [9], microfluidic platform based optical detection [10] and
electrochemical methods [11]. Among these methods, electrochemical methods are ultrasensitive and
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well established [12]. In electrochemical DNA sensors, nucleic acid hybridization is coupled with
the electrochemical reaction for selective detection of target DNA [13,14]. However, electrochemical
methods may not be employed directly for the detection of a single copy of DNA sensing in biological
samples. Thus, signal amplification approaches are employed to increase the sensitivity and selectivity
towards the sensing of low concentration targets [15]. Additionally, in terms of the possibility to
miniaturize as well as to make a quantitative measurement, electrochemical sensors is currently the
most promising route for laboratory as well as for the point-of-care approaches [16,17].

Comprehensive reviews on bacterial, protozoan, viral and clinical diagnostics through a variety
of electrochemical systems have been published before [18–20]. Additionally, different aspects of DNA
electrochemical sensors, such as novel materials and electroanalytical methods, were reviewed in
detail [21–26]. In this review, developments in signal amplification approaches for enhanced detection
of DNA–DNA or DNA–RNA hybridization events using electrochemical approaches are discussed
and directed to non-specialized readers. Specifically, signal amplification approaches with synthetic
and/or real samples of pathogens are discussed.

2. Signal Transduction

DNA electrochemical biosensors consist of (i) a DNA recognition element where the target DNA
is recognized by a probe/capture DNA(s) strand and (ii) a signal transduction part where the molecular
recognition event is translated into an electrical response by an electrochemical reaction [27] (Figure 1A).
Two complementary strands of DNA specifically hybridize with each other; thus detection of this
hybridization event has become a central theme in biosensor studies [14,26]. The DNA hybridization
is based on Watson and Crick base pairing rules (Figure 1B), i.e., specific hydrogen bond formation
between two (target DNA and probe DNA) complementary single strands of DNA (ssDNA) [28]. In a
sensor detection scheme, ssDNA(s) specifically hybridizes with a target DNA sequence that is being
employed as a probe(s): a capture probe used to attach the target DNA to the surface of materials and/or
a reporter probe labeled with signaling molecules, e.g., redox-active molecules. The hybridization
reaction occurs in solution (homogeneous) or at an electrode/transducer surface (heterogeneous) [12].
The advantage of hybridization in the solution phase is that it is well controlled using known properties
such as melting temperature (Tm) and ionic strength of the buffer [14,29]. In the case of hybridization on
an electrode surface, the probe DNA is attached to the electrode surface in such a way that the sequence
is available to target DNA in the hybridization solution. Additionally, non-specific interactions of
DNA with the electrode should be avoided along with other optimization processes such as surface
coverage and incubation time [30,31], these will not be discussed herein.

Figure 1. Nucleic acids electrochemical biosensor general principles. (A) A sandwich type genosensor
model: A capture probe is employed to capture the target (DNA/RNA) from the solution phase to the
electrode surface. The electrode bound target DNA is quantified indirectly by binding the reporter
probes conjugated with a redox signal amplifier. The redox signal amplifier could be an enzyme or a
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nanomaterial, which produces the redox-active molecules. The redox-active molecules undergo
an oxidation/reduction reaction, which is then quantified as an electrical response (current–voltage
response) using electrochemical analytical methods. The whole strategy depends solely on hybridization
efficiency between the nucleic acid probes and the target molecules (RNA/DNA/PNA). In this approach,
target DNA does not need any modification. (B) The double-helical structure of DNA and Watson
and Crick base pairing in DNA. DNA consists of two strands. The two strands are held together
by complementary base pairing between the bases, i.e., hydrogen bonds (A with T and G with C).
Two hydrogen bonds attach A to T; three hydrogen bonds attach G to C. High temperature can denature
the double-stranded DNA into single-strands. These complementary single-stranded DNAs can
specifically rehybridized to form a double-stranded helix by reducing the reaction temperature.

The DNA hybridization product could be selectively and electrochemically quantified on the
electrode surface. DNA adsorbed on electrode surfaces are stable below guanine oxidation potential
(Table 1), this stability is advantageous for immobilization of DNA directly on the electrode surface.
To make a quantitative measurement, the DNA hybridization event is coupled with electrochemical
reactions, in a way that a probe-target complex increases/decreases a coupled redox reaction at the
electrode surface. It can also be achieved by measuring the changes in the electrode/electrolyte
interface properties due to a DNA hybridization event. In general, DNA sensors are categorized into
several types based on what kind of probe DNA is being used (label-free/labeled) and how is signal
transduction achieved (reagent-free or reagent-dependent). The detailed information on DNA sensor
history, principles and fabrication approaches is thoroughly reviewed elsewhere [12,16,26,32,33]. In this
review, approaches specific to signal amplification that involves pathogenic DNA/RNA detection
is reviewed.

Table 1. Direct oxidation of DNA oxidation of guanine on different electrode supports.

Electrode Reference Electrode Electrolyte Guanine Oxidation Peak (Ep) (V) Reference

Gold Ag/AgCl PBS, pH 7.4 +0.7/+0.8 [34]
Nafion/Graphene SCE 0.1 M PBS (pH 4.4) +0.8 [35]

Glassy carbon electrode Ag/AgCl 0.1 M PBS (pH 7.0) +0.6 [36]
Boron doped diamond Ag/AgCl 0.1 M acetate buffer (pH 4.5) +0.9 [37]

Pencil graphite Ag/AgCl 0.5 M acetate buffer and 20
mM LiCIO4

+0.76 [38]

DWNTs, and MWNTs Ag/AgCl PBS (pH 6) +1 [39]

HOPGE Ag/AgCl 0.1 M sodium acetate buffer
(pH 7.6) 0.9 [40]

SCE—Saturated calomel electrode, PBS—Phosphate buffered saline, DWNTs—double-walled carbon nanotubes,
MWNTs—multi-walled carbon nanotubes, HOPGE—Highly ordered pyrolytic graphite electrode.

3. Signal Amplification Approaches for the DNA/RNA Electrochemical Sensor

DNA hybridization is a selective process where even a single mismatch between the target and
probe can be differentiated in most cases [14,29]. However, often, sensitive detection of the capture-target
hybridization event is challenging. Since clinical samples may have very low copies of a pathogen in the
early stages of infection, as low as 1–10 colony forming units (CFU/mL) [8]. Electrochemical methods
are inherently very sensitive to detect even fM target DNA concentrations [41–47]. To overcome
the limitation of instrumentation requirement for sensor deployment, signal amplification strategies
have been investigated and developed to enhance the electrochemical signal (Table 2). Amplified
signals are quantified using electrochemical analytical techniques such as chronoamperometry (CA),
differential pulse voltammetry (DPV), square wave voltammetry (SWV), cyclic voltammetry (CV) and
electrochemical impedance spectroscopy (EIS; Table 2). Signal amplification methods in combination
with electrochemical analytical techniques were demonstrated for the detection of femto- and attomolar
concentrations of DNA. Herein, we illustrate and discuss several signal amplification methods that
were reported for pathogen detection. The methods are categorized into (i) enzyme mediated signal
amplification, (ii) nanomaterials-based approaches and (iii) nucleic acid-based approaches.
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3.1. Enzyme Mediated Signal Amplification

The use of an enzyme for signal amplification can aid in increasing sensitivity of a sensor in
that a single recognition event that can be sensed only stoichiometrically could be transduced and
recycled several times by the biocatalytic reaction mediated by an enzyme that is coupled to this
recognition event. Several enzymes have been strategically conjugated with DNA hybridization
complexes to amplify electrochemical signals. When an enzyme is tagged with a probe DNA, each
hybridization event is coupled to an enzyme molecule. Each enzyme can produce multiple (10–1000)
fold higher redox-active products. This can result in a multifold enhanced redox current at the electrode
surface. Horseradish peroxidase (HRP) [70], alkaline phosphatase [64], lipase [54], invertase [11]
and glucose oxidase [68] were successfully employed for signal amplification of pathogen detection
studies. Different methods have been employed in signal amplification approaches to detect a low copy
number of target DNA on the electrode surface. Application of magnetic beads and advancement in
functionalization of nano/micro bead structures provides the ability to specifically enrich the target DNA
from the background matrix components. Bioconjugates (e.g., biotin-avidin) are utilized as molecular
binders with high affinity for building a network of molecular conjugations. Alzate et al. demonstrated
a magnetic bead-based approach to quantify the Zika virus [51]. First, a biotinylated capture probe was
immobilized on streptavidin-coated magnetic beads. Second, the target was prehybridized with the
Digoxigenin (Dig)-labeled reporter probe and then added to the capture probe-coated magnetic beads
to hybridize. Third, the reporter probe was recognized by an anti-Dig monoclonal antibody labeled
with horseradish peroxidase (HRP). The final bead complex was magnetically attracted to the surface
of a screen-printed electrode. H2O2 and 3,3′,5,5′-tetramethylbenzidine (TMB) were added as the HRP
substrate. This strategy achieved the detection of 10 pM synthetic target ssDNA. Dong et al. reported
the use of a DNA tetrahedral nanostructure-based electrochemical biosensor to detect avian influenza
A (H7N9) virus [49]. The tetrahedral nanostructure was used as a biomolecule-confined surface to
increase molecular recognition at the biosensing interface (Figure 2A) [71]. First, the DNA tetrahedral
structure was immobilized onto a gold electrode surface via an Au-thiol bond. A single strand part of
the tetrahedral DNA acted as the capture DNA to hybridize with a target ssDNA. The capture-target
sequence was hybridized with a biotinylated reporter DNA sequence. Then streptavidin-horseradish
peroxidase was introduced to bind the biotinylated reporter–target DNA hybrids. The reduction
current for HRP oxidized TMB substrate was measured using an amperometric method. When this
sensor was used for the detection of PCR products (ssDNA) amplified from cDNA isolated from
positive patients, the 1.2–1200 pM range was detected. It was also shown that 1–5 cycles of asymmetric
PCR generated enough target DNA for the experiment. Wang et al. reported a multiple-reporter probe
approach for detection of the 16S rRNA gene of different bacteria [50] (Figure 2B). In this approach,
A high-adsorption affinity of the polyA tail towards the Au surface was used to immobilize the
molecular recognition complex on an Au electrode [72]. First, the target DNA was hybridized with a
multiple biotinylated reporter probe. Second, the prehybridized target-reporter probe was hybridized
with the capture probe immobilized at the Au electrode. The capture DNA sequence was designed to
have a polyA tail. Then, an Avidin-HRP conjugate was bound to the biotinylated groups of reporter
probes in the hybrid complex. The usage of multiple-reporter probes enhanced the number of HRP
molecules per hybridization event [73]. The detection range was reported to be 10 fM to 1 nM of
synthetic targets. The sensor was also successfully tested for specific detection of denatured genomic
DNA from bacterial samples.

385



Sensors 2020, 20, 4648

Figure 2. Schematic presentation of an HRP amplified electrochemical signal for DNA detection yth of
enzyme molecules for the electrochemical signal. (A) DNA tetrahedral nanostructure for enhanced
signal detection on gold surfaces [71]. (B) PolyA–gold surface interaction for immobilization of capture
DNA, which was combined with multiple reporter probes and was attached to multiple HRP enzyme
copies for signal amplification [50]. Adapted with permission from cited sources.

Walter et al. presented a simple approach in which signal amplification was achieved by redox
cycling of p-aminophenol phosphate (p-AP) using nicotinamide adenine dinucleotide [53]. A molecular
recognition complex based on sandwich-type hybridization and reporter probe was tagged with
alkaline phosphatase. The electrochemically inert p-AP was converted to an electrochemically active
form of p-AP by tagged alkaline phosphatase. Enzymatically generated p-AP was electro-oxidized at
an Au electrode to p-quinone imine (p-QI) and in the presence of NADH, p-QI was reduced back to
p-AP, which was reoxidized on the electrode. This approach overcame the drawbacks associated with
the stability of p-AP. It has allowed reaching a detection limit of 1 pM of target DNA. When it was
applied for the monitoring of the 16S rRNA of E. coli pathogenic bacteria it had a detection limit of
250 CFU μL−1.

The signal turn-offmode system was employed for enhanced detection with enzyme-mediated
signal amplification. In a signal-off mode, the current signal decreases as a function of DNA
concentration. Shipovskov et al. demonstrated lipase chemistry to detect the low amount of
target DNA in a signal turn-off mode (Figure 3A) [54]. They established an ester bond containing
self-assembled monolayer (SAM) of 9-mercaptononyl, 4-ferrocene aminobutanoate (Fc-alkanethiol
ester) on a gold surface, which exhibited high surface redox current using CVs [74]. Lipase was
used to cleave the ester bond to remove ferrocene (Fc), a redox-active molecule, from a SAM layer,
which resulted in a decrease in current in this system. First, a streptavidin-coated magnetic bead was
decorated with biotinylated capture DNA. Then, step by step, it was allowed to react with a target DNA,
biotinylated reporter probe and a streptavidin-lipase conjugate. At the end of the hybridization step,
the final complex was immobilized on a magnetic bead, which was then applied on an Fc-alkanethiol
ester SAM on a gold electrode. The lipase coupled to the DNA recognition complex removed the Fc
from the SAM. This resulted in a decrease in the CV peak current. The lowest detected signal peak
was 4 fM of the synthetic target DNA. Further, the assay could be used for the detection of down to
16 aM of denatured RNA and their cDNA copies prepared from Lactobacillus brevis. In a similar turn
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off mode, Luo et al. has employed exonuclease III for the detection of low levels of E. coli in milk
samples [64]. First, a capture DNA was immobilized through its 5′-end. Second, the target DNA was
hybridized with the capture probe to form a double-stranded structure, which resulted in a blunt
end at the 3′-end of the capture probe. Then Exo III, an exonuclease, was introduced to catalytically
remove the mononucleotides from the 3′-hydroxyl termini of DNA duplexes. The Exo III activity
degraded the capture DNA strand and released the target DNA. The released target was recycled
for more capture DNA degradation. After a fixed duration of treatment with the Exo III treatment,
the capture DNAs that were not degraded on the sensor surface hybridized with the biotinylated
reporter probe. The reporter probe was linked to streptavidin-alkaline phosphatase to produce an
enzymatic electrochemical guanine signal for quantitative detection of Enterobacteriaceae bacteria.
Using this approach about 40 CFU/mL of E. coli was electrochemically detected where a single strand
PCR product was used as a target.

 

Figure 3. Schematic presentation of an electrochemical signal amplification for DNA detection. (A) DNA
sandwich with a lipase labeled reporter probe for detection of Lactobacillus brevis DNA. Lipase was
designed to bind with capture and target molecular recognition elements. During electrochemical
analysis, lipase cleaves off the ferrocene from 9-mercaptononyl, 4-ferrocene aminobutanoate monolayer
over the electrode surface. This results in the reduction of the observed current using cyclic
voltammetry [74]. (B) Multiple invertase copies coated magnetic bead was conjugated with each
capture and target molecular recognition element. The invertase was used to convert sucrose to glucose.
Glucose was detected by a glucose meter. This system was reported for detection of HIV DNA [11].
(C) Similar to invertase, CdS coated polystyrene bead was used as a signal amplifier for the detection of
urinary tract pathogens [61]. The Cds nanoparticle bound to the molecular recognition element was
dissolved in the acid solution and resulting cadmium ions were quantified electrochemically. Adapted
with permission from cited sources.

Screen-printed electrodes, which require a small sample volume, are widely employed in sensor
development studies. However, the electrochemical response analysis for the screen-printed electrode
is still limited to high-end laboratory-based instrumentation. Instead of conventional laboratory-based
electrochemical techniques, the commercial glucose meter was also successfully demonstrated for the
detection of pathogen’s DNA. Xu et al. demonstrated multiple invertase-mediated signal amplification
and the use of a glucometer as an electrochemical device for the detection of HIV DNA [11] (Figure 3B).
First, a mixed layer of thiolated capture probes and 6-mercaptoethanol were self-assembled on the
AuNPs via thiol–Au attachment. The capture probe coated AuNPs were applied on the glassy carbon
electrode. Then target DNA was hybridized with capture probes. The reporter probe was tagged
with multiple-invertase coated-Fe3O4/AuNPs using thiol chemistry. Hybridization of invertase coated
reporter probes has led to massive quantities of invertase on the electrode surface. Glassy carbon
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electrode was used to characterize the loading of the probe and target DNA using [Fe(CN)6
3−/4−]

redox couple. To quantify the target DNA, sucrose was introduced onto the glassy carbon electrode
surface containing a molecular recognition complex. Upon introducing sucrose, invertase converted
the sucrose into glucose molecules, which were measured by a glucometer. Due to several numbers
of tagged invertase per hybridization event and its high turnover number, glucose in millimolar
concentrations was produced. Using this approach, about 0.5 pM to 1 nM concentration of synthetic
HIV DNA was detected using a standard glucose meter sensitivity range.

3.2. Nanomaterial Enhanced Signal

The nanomaterials are used as reporter molecules and high surface area materials for high loading
of probe DNA. In case of a nanomaterial as a reporter, metal-based nanoparticles were tagged with
DNA for hybridization. Xiang et al. reported CdS quantum dot decorated polystyrene (PS-(CdS)4)
as a signal amplifier for the detection of urinary tract pathogen (Figure 3C) [61]. PS-(CdS)4 was
built using biotin and streptavidin functionalized PS and CdS nanoparticles. First, the biotin-capture
probe was immobilized on streptavidin-magnetic beads and then incubated with the target DNA.
The magnetic bead–target complex was then hybridized with a reporter probe, which was immobilized
on polystyrene-CdS spheres (PS-(CdS)4). The resulting complex was selectively separated by magnetic
separation and was treated with nitric acid to dissolve the CdS nanoparticles. Cd ions in the solution
were measured using square wave voltammetry. Using this approach, 0.5 fM to 10 pM of synthetic
DNA was detected. In a similar metal nanoparticle-based approach, Zhang et al. demonstrated
detection of multiple pathogens using nanoparticle-based biobarcoded electrochemical sensors [75].
Each pathogen-specific probe sequence was tagged to specific nanoparticles. The detection limit of
bio-barcoded DNA sensor was 0.5 ng/mL for the insertion element (Iel) gene of Salmonella enteritidis
using CdS, and 50 pg/mL for the pagA gene of Bacillus anthracis using PbS. As an alternative to
toxic metal-based nanoparticles, Wang et al. reported a strategy for the detection of low levels of
E. coli using liposome ‘nanocarriers’ loaded with Ca2+ ions [55]. Upon the successful formation of a
recognition event, calcium-loaded liposomes were bound to the reporter DNA after which they were
lysed by a surfactant. In this approach, sub-fmol DNA detection limit was achieved by employing
Ca2+ ion-sensitive electrodes.

The high surface area of nanoparticles was exploited for loading of a high amount of capture
DNA. Chowdhury et al. had detected Dengue virus DNA using nanocomposites of gold nanoparticles
(AuNP) with nitrogen and sulfur co-doped graphene quantum dots (N,S-GQDs@AuNP) [56]. First,
N,S-GQDs@AuNP were coated with a capture DNA (polydA) using Au-thiol bond formation. This
led to the accumulation of a large number of single-stranded (ssDNA) capture DNA. Second, polydA
was used to hybridize with a polydT tail of the target viral DNA. Finally, the complex was subjected
to electrochemical quantification using methylene blue as a reporter molecule. In the presence of a
target, hybridization resulted in a double-stranded DNA (dsDNA), which did not bind methylene
blue effectively and resulted in low peak current. In the absence of the target, the dye binds to the
capture ssDNA and gave high current in differential pulse voltammetry analysis. This signal-off
mode analysis detected a synthetic target in the range of 10 fM to μM. Xu et al. employed AuNPs
and exonuclease I for detection of uropathogen’s DNA using [Ru(NH3)6]3+ redox molecules [62].
The AuNPs were coated with multiple ssDNA that was used as the signal probe, this resulted in
a greater number of DNA molecules per molecular recognition event. [Ru(NH3)6]3+ bound to the
excess DNA molecules electrostatically, which ultimately amplified the redox signal for every target
DNA. Furthermore, exonuclease I (Exo I) treatment removed the unhybridized single-stranded capture
DNA probes, which minimized the background current. The combination of signal amplification
and background current reduction resulted in 1 fM detection limit. Chen et al. reported the use of
redox active carbon nanotubes (CNTs) doped with polyaniline (PANI) and endonuclease mediated
target recycling approach for detection of Mycobacterium tuberculosis [63]. In the presence of target
DNA and an assistant probe that hybridized to the capture probe, a hairpin structure has opened
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to form a Y-shaped junction. Endonuclease recognized the sequence in the Y-shaped junction and
released the assistant probe and target DNA. Released target DNA triggered the next cycle of cleavage.
After hybridization between CNTs-PANI tagged reporter probe and the cleaved capture probe on
the electrode surface, the electrochemical signal of CNTs-PANI was used as a readout. This strategy
detected the target in a range between 1 fM to 10 nM.

3.3. Nucleic Acid Amplification and Processing Based Approaches

Though enzyme-based and nanomaterial-based signal amplification approaches reach sensitivity
in the femtomolar regime, they still depend on PCR to produce sufficient target DNA. In nucleic
acid-based approaches, the enzyme-mediated isothermal amplification of nucleic acids plays an
important role in sample amplification and detection. Unlike PCR, which requires specialized thermal
cycler instruments to mediate denaturation, annealing and subsequent extension steps, isothermal
amplification could be carried out at a constant temperature to produce about a million copies of the
target DNA. For isothermal amplification, in addition to DNA polymerase, ligase, nicking enzymes and
helicases are employed for specific amplification of target DNA molecules. A detailed review of the
method can be found in the following references [76,77]. Simple temperature control makes isothermal
amplification an attractive alternative to PCR for point-of-care applications. There are several choices of
methods that are available for isothermal amplification, depending on the length, secondary structures
and nature of the target (RNA or DNA) [76]. The challenging aspects are electrochemical detection
of specific targets amplified by the isothermal method. Cheng et al. reported a method combining
circular strand displacement polymerization reaction (CSD), rolling circle amplification (RCA) and
enzymatic amplification to enhance the electrochemical sensing of a target DNA (Figure 4A) [78]. First,
the capture probe (SH-ssDNA with a hairpin loop structure-molecular beacon) was immobilized on a
gold electrode. Second, the strand displacement (CSD) reaction was carried out by adding the target
DNA, and biotinylated-primer DNA to the electrode. In the presence of the target DNA, the hairpin
structure of the molecular beacon opens and parts the sequence that was hybridized with the target
DNA. Another part of the capture probe sequence binds specifically with a biotinylated-primer DNA.
The primer sequence was extended towards the target DNA binding region by a DNA polymerase
(KF exo-), which led to the release of the target DNA. At this stage, freed target DNA binds to another
capture probe to trigger another strand displacement reaction, which results in multiple biotin-tagged
DNA duplexes on the electrode surface. This biotin-tagged DNA duplex anchored with another
streptavidin-primer specific for rolling circle amplification. Upon addition of specific circular ssDNA
templates, deoxynucleotide triphosphates and phi29 DNA polymerase, the RCA reaction produces long
ssDNA molecules with tandem repeated sequences. Then alkaline phosphatase tagged reporter probe
DNA was added and hybridized with repeated sequences of RCA products. Alkaline phosphatase
was used as a final redox signal amplifier at the electrode surface. Using this approach, 1 fM to 100 pM
of synthetic target DNA was detected. Huang et al. used a similar strand displacement and rolling
circle amplification approach—without biotin and streptavidin tags—for the detection of synthetic
DNA sequences specific to the hepatitis B virus [65]. The rolling circle amplification resulted in long
ssDNA. They detected the final rolling circle amplification product using methylene blue and reported
detection in the range of 10 aM to 0.7 fM. Yanyan et al. reported a DNA detection approach for
the avian influenza virus based on isothermal exponential amplification coupled with hybridization
chain reaction [67]. Catalytic G-quadruplex–hemin, HRP-mimicking DNAzymes, was tagged to the
final molecular recognition complex. Electrochemical signals obtained by measuring the increase
in the reduction current of oxidized 3,3′,5,5′-tetramethylbenzidine sulfate, which was generated by
DNAzyme in the presence of H2O2. This method exhibited detection limits of 9.4 fM. In a similar
approach, exonuclease III mediated target DNA recycling and G-quadruplex–hemin reported for the
detection of HIV gene sequence with a detection limit of 3.6 pM [79].
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Figure 4. Enhancement of nucleic acid detection by employing polymerase and other isothermal
amplification approaches on the electrode surface. (A) Strand displacement reaction and rolling circle
amplification coupled system [78]. (B) Ligation and rolling circle amplification coupled system [68].
Adapted with permission from cited sources.

Ciftci et al. reported a method for tagging multiple glucose oxidase (GoX) enzymes using rolling
circle amplification for the detection of Ebolavirus (Figure 4B) [68]. In the first step (i) biotinylated primers
were used to reverse transcribe the RNA target to cDNA. Then the biotinylated cDNA target hybridized
with linear pad-lock probes (PLPs). PLPs have a special sequence feature that renders the probe
circular upon hybridization. These circular PLPs are ligated using the enzyme ligase; then biotinylated
cDNA target-PLP complex captured on streptavidin-functionalized magnetic beads. Magnetic beads
were used for the separation of target DNA from the sample. In the second step, RCA reaction was
carried out to produce bulky tandem repeats of DNA coils. In the third step, RCA products were
hybridized with the biotinylated-reporter probe, which was then bound to streptavidin-GoX. The final
DNA recognition complex was quantified by GoX activity using chronoamperometry. The product,
H2O2, of glucose oxidation by GoX in the presence of oxygen was electrochemically measured. In this
method, 1–100 pM of synthetic target DNA was measured. An Ebolavirus positive clinical sample was
also successfully differentiated from negative samples using this method. A similar Pad-lock-probe
approach was demonstrated for the detection of Ebolavirus using HRP as a signal amplifier [80].

Helicase dependent amplification (HDA) is another widely employed isothermal system for
amplification of target DNA [81]. Helicase is being used to unwind the double-stranded DNA instead
of temperature-dependent denaturation during polymerase mediated amplification of the target
gene [82]. Barreda-García et al. reported an asymmetric HDA for that resulted in a single-stranded
target DNA from Mycobacterium tuberculosis [69]. The amplified ssDNA was selectively quantified
using enzyme-mediated signal amplification assay. The system was sensitive to 0.5 aM of target DNA.
In another study, HDA was also demonstrated for hybridizing the double-stranded target generated
from Salmonella genome to a single-stranded capture DNA bound to indium-tin-oxide electrodes [83].

Yan et al. reported the detection of pathogenic DNA directly by transcription of RNA from the
target DNA [66]. In this approach, hairpin structured primers were designed to open and bind to
the target DNA specifically. The primer was extended using DNA polymerase (KF exo-) at 37 ◦C.
The primer has efficiently triggered the circular primer extension reaction, i.e., the resultant dsDNA
was further amplified by another primer binding and extension cycles. Additionally, the primer was
designed to have a T7 RNA polymerase promoter, which served as a template for in vitro transcription
of target DNA. The RNA products from the transcription reaction were directly hybridized with
immobilized capture probes. The enzyme tagged signal probe was used to detect the hybridized
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products. With this approach, Salmonella’s invA gene from genomic DNA extract was successfully
detected. Limit of detection was about 1 fM.

4. Conclusions and Future Perspectives

In nanomaterials and enzyme-mediated amplification approaches, DNA/RNA isolation and
amplification of targets by PCR are commonly required for real sample electrochemical detection
to increase the number of specific target DNA molecules. However, PCR can only be carried out
using a specialized thermocycler. Thus, to reduce the dependence on PCR, isothermal amplification
methods are explored in clinical sample target amplification in combination with an electrochemical
sensor. While isothermal amplification provides the advantage of in situ amplification of target DNA
at a constant temperature, more exploration of novel approaches for amplification and hybridization
on-electrode surfaces is still needed to achieve practical electrochemical DNA sensors.

The requirement for single-stranded target DNA for hybridization is another constraint for
electrochemical DNA sensors. To counter this issue, asymmetric PCR, thermal denaturation of target
DNA followed by abrupt cooling, helicase mediated asymmetric DNA amplification, DNA to RNA
transcription using RNA polymerase have been employed to yield single-stranded targets. However,
novel approaches should be explored for the detection of double-stranded genomic DNA or structured
single-stranded cDNA/RNA at room temperature.

Electrochemical analytical methods reached a “glass ceiling” with a limit of detection in the
femtomolar concentration range. Enzymes, nanomaterials and molecular tools are successfully
engineered for fM detection of DNA on an electrode surface using signal amplification approaches.
With this, (i) future progress in the simplification of sample processing steps, (ii) developing approaches
to detect double-stranded target DNA and (iii) making advancement in the sensitivity of instrumentation
or handheld electrochemical devices will be crucial for achieving practical point-of-care electrochemical
devices for pathogen detection in low titers.

In addition, for fast epidemic containment, in order to make sure that highly trained personnel
will not be needed for point of care detection, it is highly needed to be able to interface such sensors
with already existing simple devices such as glucometers, so it will be easy to sample (such as in
non-invasive devices) and simple to read-out the signal for less trained users (e.g., airports personnel).
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Abstract: Application of restriction endonuclease (REase) enzymes for specific detection of nucleic
acids provides for high assay specificity, convenience and low cost. A direct restriction assay format
is based on the specific enzymatic cleavage of a target–probe hybrid that is accompanied with the
release of a molecular marker into the solution, enabling target quantification. This format has the
detection limit in nanomolar range. The assay sensitivity is improved drastically to the attomolar level
by implementation of exponential signal amplification that is based on a cascade of self-perpetuating
restriction endonuclease reactions. The cascade is started by action of an amplification “trigger”.
The trigger is immobilized through a target-specific probe. Upon the target probe hybridization
followed with specific cleavage, the trigger is released into the reaction solution. The solution is then
added to the assay amplification stage, and the free trigger induces cleavage of amplification probes,
thus starting the self-perpetuating cascade of REase-catalyzed events. Continuous cleavage of new
amplification probes leads to the exponential release of new triggers and rapid exponential signal
amplification. The proposed formats exemplify a valid isothermal alternative to qPCR with similar
sensitivity achieved at a fraction of the associated costs, time and labor. Advantages and challenges
of the approach are discussed.

Keywords: DNA assay; nucleic acid; isothermal; signal amplification; restriction endonuclease

1. Introduction

Nucleic acid assays of different formats provide a core for modern-day biotechnology and
diagnostics. The critically important parameter is the assay specificity since nucleic acid target detection
is usually performed in complex samples that contain DNA from different organisms. The detection
specificity for most nucleic acid-based assays (qPCR, LAMP, microarrays, etc.) relies on biorecognition
events of DNA strand hybridization and can be adversely affected by non-specific DNA–DNA binding.
Addition of a second biorecognition event based on Class II restriction endonucleases (REases) has
numerous advantages, first and foremost due to the nearly absolute specificity of these enzymes for
particular double-stranded (ds) DNA recognition sites. Therefore, for the enzymatic action to take
place, a hybridization event has to form a corresponding specific restriction site (usually palindromic
with the total length of 4–8 bp) within the DNA double helix [1,2]. Thus, two biorecognition events
are involved in signal generation, making it double-proof in terms of specificity and insensitivity to
non-specific binding.

The technical principle of REase-based assays is associated with the release of an enzymatic
reaction product from solid support into the liquid phase as the result of target–probe complex cleavage.
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The product quantification can then be done in various ways by transferring the product-containing
liquid phase into a separate reaction setup.

In addition to target–probe hybrid recognition, REases can also be used for exponential signal
amplification if the initial hybrid cleavage event releases a “trigger” molecule. The trigger molecule is
initially attached to the surface through an assay probe, where upon cleavage it is released into the
reaction solution. The free trigger can migrate or be transferred to another surface that is modified with
special “amplification” DNA probes. Specific trigger interaction with an amplification probe results in
enzymatic cleavage of the probe. Each amplification probe carries additional (one or multiple) trigger
molecules, thus the probe cleavage provides for the release of new triggers. This self-perpetuating
cascade of cleavage events progresses exponentially until the reaction is stopped (or amplification
probes are exhausted).

Several types of triggers can be used. Thus far, we have developed the following two approaches.
The first is based on trigger REase enzymes that are immobilized through coupling to oligonucleotides,
and can specifically cleave double-stranded oligonucleotide amplification probes. The second employs
trigger oligonucleotides that hybridize to single-stranded oligonucleotide amplification probes, thus
creating double-stranded REase restriction sites and subjecting them to cleavage by corresponding
REase present in the solution. Both approaches are discussed in detail below, and they provide for the
development of simple, low-cost, isothermal DNA hybridization assay platforms with exponential
signal amplification that can achieve sensitivity similar to PCR applications.

The isothermal nucleic acid assay format is critical for the development of point of care units and
field assays. One of the first isothermal assays called nucleic acid sequence-based amplification (NASBA)
was introduced in 1991 by J. Compton [3]. Numerous other isothermal nucleic acid assays are reviewed
in [4] including strand displacement amplification (SDA), loop-mediated amplification (LAMP),
invader assay, rolling circle amplification (RCA), signal-mediated amplification of RNA technology
(SMART), helicase-dependent amplification (HDA), recombinase polymerase amplification (RPA),
nicking endonuclease signal amplification (NESA) and nicking endonuclease-assisted nanoparticle
activation (NENNA), exonuclease-aided target recycling, junction or Y-probes, split DNAZyme and
deoxyribozyme amplification strategies, template-directed chemical reactions that lead to amplified
signals, non-covalent DNA catalytic reactions, hybridization chain reactions (HCR) and detection
via the self-assembly of DNA probes to give supramolecular structures. However, all of them have
limitations, and none are yet ready to replace PCR-based methods for the current DNA assay market.
Our REase-based isothermal DNA assays are novel and promising, and the corresponding advantages
and limitations are discussed in the current work. We are presenting our perspective on these novel
assay formats and their potential applications.

2. Direct Restriction Assay (DRA)

We introduced DRA in 2014 [5], and the principle schematic is depicted in Figure 1. A detection
probe labeled with a molecular marker is attached to a solid phase carrier (microplate, beads,
resin, etc.) via streptavidin (SA)-biotin binding (Figure 1A). A single-stranded (ss) target DNA (i.e.,
dsDNA denatured to ssDNA, or cDNA) is added to the reaction solution and hybridizes to the
probe forming dsDNA helix (Figure 1B). The probe–target hybrid carries a specific restriction site,
thus the corresponding specific REase added to the reaction solution cleaves the helix. (Figure 1C).
Upon cleavage, a part of the probe labeled with the molecular marker is released from the solid
carrier into the reaction solution (Figure 1C). The solution is then transferred to a separate detection
compartment and quantified (Figure 1D). Previously [5], we used horseradish peroxidase (HRP) as the
molecular marker and quantified the signal optically by TMB (3,3',5,5'-Tetramethylbenzidine) oxidation
at 655 nm. However, a variety of molecular markers can be used for this assay together with a wide
range of detection techniques including fluorescent and electrochemical ones.
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Figure 1. General schematic of the direct restriction assay (DRA). (A) A molecular marker/label is
conjugated to an oligonucleotide probe that is specific for a target gene of interest and immobilized
on a solid surface through biotin-SA binding. (B) Target DNA (an oligonucleotide or denatured
dsDNA) is hybridized to the immobilized probe. (C) A restriction enzyme recognizes and cleaves the
target–probe dsDNA hybrid, resulting in the release of the molecular marker into the reaction solution.
(D) The reaction solution is transferred into a new well to quantify the molecular marker. For each
target DNA molecule, one molecular marker is released, resulting in linear dependence between the
assay signal and the target DNA concentration.

The developed DRA demonstrated the limit of detection of 1 nM with the dynamic range up
to 30 nM [5]. The first assay was used for detection of methicillin-resistant Staphylococcus aureus, a
bacterium with antibiotic resistance (MRSA). The assay was designed to detect a fragment of the mecA
gene that has very high conservation (nearly 100% identity over 2 kb length) among various MRSA
strains. A 40-mer probe MCA-BG (CAATTAAGTTTGCATAAGATCTATAAATATCTTCTTTATG) was
designed from the mecA sequence commonly used for qPCR [6]. The central part of the probe had the
specific recognition sequence (AGATCT) for BglII REase.

The assay was used to analyze (i) REase requirements for minimum target–probe helix sufficient for
cleavage and signal generation, and (ii) the enzyme tolerance of mismatches and insertions. Our data
showed a significant decrease in the assay signal when the probe–target length was reduced to 20-mer,
with drastic reduction to nearly zero at the length of 16-mer. This length requirement suggested very
high specificity, since on average in a random DNA sequence, a cognate 16-mer would be observed
only once every 4.3 Gbp. We further analyzed the effects of mutations and showed that even a single
mismatch within the restriction site eliminated the assay signal completely. In contrast, small (up to 3)
target–probe mismatches and insertions (ssDNA loops) outside of the restriction site in the flanking
sequences did not produce strong effects [5].

We concluded that the REase enzymatic cleavage in the process of DRA requires: (i) perfect
probe–target match within a restriction site and (ii) at least 16-mer (preferably >20) of a hybridized
dsDNA target–probe sequence around the restriction site. This study has been performed using
BglII REase [5], with the caveat that other enzymes may be different in terms of mismatch and
insertion tolerance.

The developed DRA method requires the ssDNA targets. In our previous work with dsDNA
amplicons [5], heat denaturation of 95 ◦C was applied, followed with incubation on ice and addition to
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SA-coated microplate wells carrying pre-attached biotinylated probes. Alternatively (Figure 2), the
same heat denaturation can be applied to a mixture of probe and target DNA in solution. The probe
used in this approach contains the biotinylated target-specific part, and an oligonucleotide tag. The tag
is used for subsequent attachment of the molecular marker HRP. HRP is covalently linked to an
oligonucleotide complementary to the tag and is attached through DNA–DNA hybridization (Figure 2).
Thus, after the probe–target reaction solution has been denatured and cooled down, it is mixed with
the tagged HRP and added to the SA-coated solid carrier (Figure 2). This leads to the quick binding of
the biotinylated probe to surface SA that occurs simultaneously with the probe–target and probe–HRP
tag hybridization (Figure 2). After washing to remove unbound molecules, a specific corresponding
REase is added to perform enzymatic cleavage (Figure 2). The resultant cleaved HRP released into the
reaction solution is then quantified colorimetrically.

 
Figure 2. General schematic of the new approach to probe–target hybridization for DRA. A sample
containing dsDNA targets is supplemented with a specific biotinylated probe and subjected to DNA
denaturation at 95 ◦C followed by quick incubation on ice. The denatured probe and target mixture
are supplemented with horseradish peroxidase (HRP) covalently attached to an oligonucleotide tag
for hybridization to the probe. The mixture is added to the streptavidin (SA)-coated solid carrier for
attachment and hybridization of the specific targets and tagged HRP to the probes. After washing to
remove the unbound molecules, the specific REase is added, catalyzing enzymatic cleavage and HRP
release. The free HRP is transferred to a detection cell.

Since no signal amplification is employed for the DRA platform, it provides for the nanomolar
range sensitivity. The resultant practical applications are limited to analysis of amplicons for a simple
and inexpensive version of semi-quantitative PCR, and to detection of precultured microbial pathogens.
The former is described in [5], and the latter is currently being developed in cooperation with Paradigm
Diagnostics, Inc. (http://pdx-inc.com). Paradigm Diagnostics has a technology for the detection of
numerous pathogens based on culturing food industry samples in media that change color in the
presence of growing microorganisms. This approach permits to detect samples with live microbes;
however, the pathogen presence needs to be confirmed by an independent molecular method.

We used DRA to develop a technique to detect pre-cultured Shiga toxin-producing E.coli strains.
Typically, USDA recommends qPCR testing of these strains using two genes, Eae and Stx, with a
well-characterized set of corresponding primers and probes [7]. We used the qPCR probe sequences
to develop DRA probes, namely Stx: CTGGATGATCTCAGTGGGCGTTCTTATGTAA and Eae:
ATAGTCTCGCCAGTATTCGCCACCAATACC. The probes contain the restriction sites CTCAG and
CCAGT for specific cleavage with BspCNI and BsrI REases, respectively.

The developed assay technique is based on the scheme shown in Figure 2. The SA-coated
microplates were used as a solid carrier for the probes. Inoculated food samples were precultured
for 5–6 h and used for total DNA extraction. The resultant DNA samples were directly used for
DRA without PCR amplification. Thus, the full assay time was below 1 h including probe–target
hybridization and binding to the plate (20 min) and REase cleavage (20 min). Figure 3A,B shows the
results of the Eae and Stx gene detection in sample sets precultured for 5 and 6 h, respectively. In both
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cases, the signal obtained for inoculated samples was significantly higher than that for a negative
control. Thus, the DRA technique can provide a simple, low-cost and fast alternative to PCR-based
molecular detection of foodborne pathogens in precultured samples that can be carried out with
minimum equipment requirements in field laboratories.

 

Figure 3. DRA data obtained sets of samples inoculated with Shiga toxin-producing E.coli. (A) Eae
gene detection for samples precultured for 5 h. Data for Eae gene detection were obtained in singlicate.
(B) Stx gene detection for samples precultured for 6 h. The dash lines indicate the signal level for
negative control (non-inoculated samples).

3. Restriction Cascade Exponential Amplification (RCEA)

Restriction cascade exponential amplification (RCEA) has been introduced in 2015 [8]. A principle
schematic of the assay is shown in Figure 4. It starts with the initial recognition stage that involves a
target-specific probe modified with biotin at one end and an “amplification REase” molecule at the
other end. The probe is attached to a solid carrier via SA–biotin interaction (Figure 4A). When the
probe hybridizes with the corresponding target, the added free “recognition REase” cleaves the
target–probe hybrid, releasing the amplification REase from the surface into the reaction solution and
thus completing the first recognition stage (Figure 4B,C).

The reaction solution containing the released amplification REase is then transferred to the next
amplification stage (Figure 4D). The corresponding setup contains amplification probes immobilized
on a solid surface through biotin–SA interaction. The solution end of each probe is attached to the same
amplification REase, as employed at the initial stage. In addition, an HRP molecule is attached to the
solution probe end through complementary oligonucleotide tag hybridization (Figure 4D). The dsDNA
amplification probes carry the specific restriction sites for cleavage with the attached amplification
REases. However, the surface immobilization and double helix structure limit the attached REases’
mobility, making them incapable to bend and cut at the restriction site.

Addition of the reaction solution from the recognition stage that contains free molecules of
amplification REase results in cleavage of the immobilized amplification probes and release of an
additional molecule of amplification REases into the reaction solution (Figure 4D,E). Thus, each
cleavage event doubles the amount of free amplification REases, resulting in a cascade of cleavage
reactions. In addition, each cleavage event releases immobilized HRP markers into the reaction
solution (Figure 4F). The released HRP can be measured, i.e., by transferring the reaction solution to a
detection cell. The described amplification setup can be common for all RCEA assays, with the target
specificity determined during the initial recognition step by using the specific recognition probe and
recognition REase.
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Figure 4. General schematic of the restriction cascade exponential amplification (RCEA) assay. (A) An
oligonucleotide probe specific for a target of interest is conjugated to an REase for amplification and
attached to a solid substrate using biotin. A test sample containing the target of interest is added.
(B) The target in the test sample hybridizes to the probe. (C) The hybrid is specifically cleaved by a
recognition REase. amplification REase is subsequently released into the solution. (D) The reaction
solution is transferred to an amplification cell that contains an excess of immobilized amplification
REase attached to the surface through an oligonucleotide linker. The linker contains the restriction
site corresponding to the amplification REase, and it is double-stranded, with the second strand
conjugated with HRP. All amplification REase molecules in the amplification cell are immobilized
and thus incapable of cleaving their own or neighboring linkers. Addition of the free amplification
REase generated in (C) triggers linker cleavage, releasing additional amplification REase, which in
turn cleaves new linkers. (E) Each step of this exponential cascade of cleavage reactions doubles the
amount of free amplification REase molecules in the reaction solution. (F) The linker cleavage releases
HRP, which is quantified colorimetrically. Each initial target–probe hybridization event produces an
exponentially amplified number of HRP molecules, with the value dependent on the amplification time.

Our published study [8] demonstrated highly sensitive detection of the target mecA gene related
to MRSA infections. We used the same combination of recognition probe and REase: 40-mer MCA-BG
and BglII, as for DRA [5]. The amplification stage was designed using two amplification REases:
BamHI (restriction site GGATCC) and EcoRI (restriction site GAATTC). The most serious challenge in
the RCEA assay development was associated with conjugation of REase molecules with oligonucleotide
probes. All commercially available enzymes lost their enzymatic activity during standard conjugation
via amino groups. Similar results were reported in the literature [9]. Successful conjugation could
only be achieved by using mutant enzymes (BamHI and EcoRI) that had been engineered for ligand
attachment by replacing some surface “non-essential” amino acid residues with cysteines [9].

The MRSA RCEA assay was tested using a specific target oligonucleotide complementary to the
MCA-BG. As shown in Figure 5, both amplification REases, BamHI and EcoRI, demonstrated similar
performance with the lower detection limit of 10 aM concentration, and the linear dynamic range
(at the logarithmic scale) up to 1 nM. The plot obtained for the same target oligonucleotide without
amplification using DRA is shown at the right side of the Figure 5. The data show that the RCEA assay
format gained the detection limit improvement of approximately eight orders of magnitude over the
DRA. The data were obtained for non-optimized assay conditions, and we could still detect as little as
200 target molecules per sample. This performance is similar to the detection limit of PCR applications
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and can likely be further improved by RCEA assay optimization. However, the main goal of such
optimization should be the overall assay time that currently stays at about 2 h and can be significantly
reduced to less than 1 h by improvement of mass transfer in the two-phase (liquid and solid) system.
The improvement of mass transfer can be achieved by agitation and mixing, optimization of cell
geometry, increase of surface to volume ratio, etc.

 

Figure 5. From [8] (Creative Commons CC-BY-NC-ND license). The RCEA limit of detection evaluated
using the oligonucleotide target AMC-BG. The X-axis shows the target concentrations (M) and the Y-axis
shows the background-subtracted HRP signal values (with the background calculated as the mean
signal generated for zero target concentrations). For normalization and comparison of sample series,
the HRP signal values were expressed as the percentages of the maximum background-subtracted
OD655, corresponding to each series. Open circles show the data generated using the direct restriction
assay (DRA) with no amplification. The other two series were generated using the RCEA assays with
the mutant S17C BamHI (closed diamonds) and K249C EcoRI (open triangles) as amplification REases.
Error bars show standard deviations.

4. Tandem Oligonucleotide Repeat Cascade Amplification (TORCA)

An attractive alternative format for REase-based signal amplification employs another type of a
trigger that is an unmodified oligonucleotide rather than an REase enzyme molecule. The obvious
advantage is the omission of the REase conjugation step, enabling the use of standard commercially
available enzymes at all stages of the assay. The first developed assay used two species of amplification
trigger oligonucleotides, Tr1 and Tr2, that can start a self-perpetuating cascade of REase-catalyzed
events based on trigger hybridization with each other single-stranded linker.

The assay based on this principle, tandem oligonucleotide repeat cascade amplification (TORCA),
was introduced in 2019 [10]. This format employs standard REases that are suspended in the reaction
solutions without immobilization. To prevent cleavage events, the restriction sites of amplification
probes are kept single-stranded, and the reaction cascade is started by addition of a free trigger
oligonucleotide released during the initial recognition reaction. The exponential amplification is then
achieved by usage of several tandem repeats of the same trigger oligonucleotide within each probe.

The principle schematic of the TORCA assay is shown in Figure 6. It starts with the recognition
step involving an oligonucleotide recognition probe specific for a target of interest that is extended
with the “trigger” oligonucleotide unit Tr1 (Figure 6A). The probe is immobilized on a solid surface
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through biotin–SA interaction. Upon the target–probe hybridization (Figure 6B), the resultant dsDNA
is cleaved with the corresponding recognition REase that is present in the reaction solution (Figure 6C).
This cleavage releases the trigger Tr1 into the reaction solution at the amount proportional (ideally,
equal) to the amount of the target added.

Figure 6. General schematic of tandem oligonucleotide repeat cascade amplification (TORCA).
(A–C) The recognition stage: An oligonucleotide probe specific for a target of interest is extended with
a “trigger” unit (Tr1) and attached to surface using biotin. A test sample containing the target of interest
is added (A). The target in the test sample hybridizes to the probe (B), and the hybrid is specifically
cleaved by a specific recognition REase (C). The Tr1 unit is subsequently released into the reaction
solution. (D–F) The amplification stage: The reaction cell carries two types of amplification probes.
The first contains a single unit complementary to the trigger sequence Tr1 (antisense Tr1, aTr1), and
multiple identical units of a trigger sequence Tr2. The second contains multiple identical Tr1 units, and
a single unit complementary to the Tr2 unit (antisense Tr2, aTr2). Both probe types are surface-attached
and contain a molecular marker HRP on their solution-facing end (D). The reaction solution in the
amplification chamber contains two common REases, specific to Tr1 and Tr2, that recognize and cleave
dsDNA hybrids of Tr1-aTr1 and Tr2-aTr2, respectively. When the recognition reaction solution is
transferred to the amplification cell, the free trigger Tr1 hybridizes to an aTr1 unit of the first probe
leading to the probe cleavage by Tr1-REase (D) and release of Tr2 into the reaction solution (E). In turn,
the released Tr2 hybridize to an aTr2 of the second probe type (E), causing cleavage of Tr2 and further
release of additional Tr1 units. This cascade of events also results in the release of the HRP molecular
marker that can be used for signal quantification (F).

At the next amplification stage, the recognition reaction solution is transferred to an amplification
chamber that contains two types of amplification probes immobilized on a solid carrier (Figure 6D).
Each probe has HRP attached to the solution end. The amplification probe AP1 consists of a sequence
complementary to the trigger Tr1 (aTr1) attached to the carrier surface and multiple tandem repeat
sequences of trigger Tr2 at the solution end. The amplification probe AP2 has a sequence complementary
to Tr2 (aTr2) at the surface and multiple Tr1 sequences at the solution end (Figure 6D). The amplification
chamber also contains two free amplification REases that specifically cleave the dsDNA hybrids of
Tr1-aTr1 and Tr2-aTr2. Since initially all probes are present in the chamber as single-stranded, no
enzymatic cleavage is observed. Addition of the recognition reaction solution containing free Tr1
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results in hybridization with the complementary aTr1 part of AP1, followed by the cleavage and release
of multiple Tr2 into the solution (Figure 6 D,E). In turn, the released Tr2 molecules hybridize to the
immobilized complementary aTr2 within AP2, resulting in the further cleavage and release of numerous
Tr1 units. Since each cleavage event is accompanied with the release of multiple trigger units and thus
initiates the cleavage of the next amplification probes (Figure 6F), this process is self-perpetuating and
provides for exponential accumulation of unbound HRP and thus the exponential assay signal increase
over time.

Unlike RCEA, the TORCA assay format does not require REase conjugation, regular commercially
available enzymes can be used at all stages. Moreover, the recognition probes do not contain the
attached enzyme, thus they can be safely subjected to denaturation at high temperature. This is an
important advantage to streamlining the initial recognition step: instead of separate denaturation of
dsDNA targets before mixing and hybridization with recognition probes, the targets and probes can be
mixed, denatured and hybridized in a single step (similar to the DRA scheme shown in Figure 2).

The main challenge for TORCA assay development is associated with prevention of physical
contacts between the amplification probes AP1 and AP2. Any contact will lead to hybridization of the
complementary Tr and aTr units followed by cleavage, and thus initiation of the amplification cascade
without addition of a free trigger. Indeed, two types of beads, modified with either AP1 or AP2, when
mixed in the presence of both amplification REases, immediately start releasing some HRP signal [10].
At the same time, if only one amplification REase is present, the HRP release does not occur. One
possible solution is membrane separation, and our data showed that such physical separation of the
beads with AP1 and AP2 prevents the HRP release in the presence of both amplification REases [10].

Based on these data, we designed two types of amplification chambers for the TORCA assays.
The first type employs a mixture of two probe carriers without physical separation. In this chamber,
addition of a trigger from the recognition step enhances the rate of HRP signal generation over a rather
prominent background of the trigger-independent HRP release. The obvious disadvantage is high
background values that need to be carefully measured with negative controls. The main advantage
of this approach is the short assay time, approximately 15 min for the whole amplification stage [10].
The second type of amplification chamber provides for the physical separation of two different probe
carriers with a membrane permeable for DNA molecules but not for carrier particles. This type is
associated with a low background; however, it requires a considerably longer time for the completion
of the amplification stage (over 1 h).

The two approaches have been tested in [10] using SspI (restriction site AATATT) and EcoRV
(restriction site GATATC) as amplification REases. The amplification probes had seven repeats of Tr1
and Tr2. Figure 7 shows the TORCA data obtained for trigger detection using the two amplification
formats: mixture of non-separated probes (Curve b) and membrane-separated probes (Curve c) [10].
They are compared to curve “a” obtained for the same trigger without amplification by using DRA.

Both TORCA formats had the same detection limit of 10 aM concentration similar to RCEA and
to PCR applications. The format with the mixture of non-separated probes demonstrated a little less
sensitivity as compared with the membrane-separated probes, however, it used a shorter amplification
time and showed better linearity. Thus, the probe mixture assay format was chosen for further
development of an assay to detect malaria P. falciparum parasites by using RNA as a target.

This RNA-based approach was a step toward the goal to distinguish between past and ongoing
malaria infections. Such discrimination performed directly at point-of-care facilities is essential to
direct drug therapy at only those patients who can benefit from it, and to conduct new drug clinical
trials in malaria-endemic areas [10]. RNA stability is known to be significantly lower than stability of
DNA and protein malaria markers, thus RNA detection is likely to better correlate with the presence
of a live parasite as compared with stable DNA. Since REase enzymes can only cleave DNA–DNA
hybrids, RNA was reverse-transcribed into cDNA.

The developed TORCA assay format was compared to PCR detection [10]. The TORCA assay
sensitivity toward three different malaria RNA targets had the detection limit of about 7.5 IE per
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100 μL of blood sample. This is almost two orders of magnitude better than the malaria detection limit
recommended by WHO [11]. The observed linear dynamic range for the assay spanned approximately
three orders of magnitude.

 

Figure 7. From [10] (Creative Commons CC-BY license). The dependence of the HRP-generated signal
on the concentration of the amplification trigger added to the single (non-amplified DRA format) REase
(a) or the two REases EcoRV and SspI (b-c) systems. The curves a and b are generated for mixtures of
the two bead types, one modified with the amplification probe AP1-HRP and the other with AP2-HRP.
The curve c was obtained for the same two bead types separated by a filter barrier. The X-axis shows
the target concentrations (M), and the Y-axis shows the background-subtracted and normalized HRP
signal values. The background was calculated as the mean signal generated for the triplicate no-trigger
added negative controls. For normalization and comparison of the sample series, the HRP signal values
are expressed as the percentages of the maximum background-subtracted OD655 corresponding to each
series. Error bars show standard deviations. The data for (non-amplified DRA format) REase (a) were
obtained without replicates.

Direct comparison of the TORCA assay versus common RT PCR is presented in Figure 8.
Both methods successfully detected the P. falciparum parasite RNA targets at different times after
initiation of the drug treatment of a patient [10]. The decrease of parasite RNA directly correlated with
the post-treatment time, and both methods showed considerable consistency (Figure 8). The described
method of distinguishing between past and ongoing infections is based on observations showing much
lower stability of pathogen RNA as compared with DNA. However, for each particular infection, an
independent study is needed to establish a correlation between target RNA content and disease state.
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Figure 8. From [10] (Creative Commons CC-BY license). The dependence of the TORCA signal (a) and
the calculated infected erythrocyte concentration (b) on the time after initiation of the patient drug
treatment (X-axis, days). (a) The Y-axis shows the background-subtracted and normalized HRP signal
values. The background was calculated as the mean signal generated for the triplicate no-trigger
added negative controls. For normalization and comparison of the sample series, the HRP signal
values are expressed as the percentages of the background-subtracted signal obtained for the positive
control containing an equimolar mixture of targets at 10 nM concentrations. (b) The Y-axis shows the
IE (Infected Erythrocytes) concentrations calculated using the standard calibration curve obtained
separately. The inset shows mean data for IE concentrations measured using TORCA and reverse
transcription-PCR methods and calculated according to corresponding calibration curves. Error bars in
both graphs show standard deviations. Error bars for 7-day treatment are smaller than the marker.

An important feature of the TORCA assay is the ability to simultaneously detect multiple targets
in the same chamber, generating an integrated signal to enhance assay sensitivity and to provide for
mutation tolerance. For malaria detection, we successfully employed three different RNA targets, and
thus three recognition probes in the same assay [10].

The TORCA optimization efforts are currently focused on finding a middle ground in the design
of the amplification chamber: to combine the separation membrane to reduce backgrounds with
the enhanced mass transfer to shorten the assay time. The latter can be done by using an increased
membrane surface and physical agitation of the carrier particles.

An important advantage of the TORCA and RCEA formats is associated with their high tolerance
of various target sizes. In contrast to PCR-based assays that normally require at least 70 bp fragments,
the TORCA and RCEA minimum size requirement is 20 bp. Since the assay can be used for recognition
of very short fragments, the potential applications include working with partially degraded nucleic
acids in FFPE material and in liquid biopsies containing cell-free DNA and RNA from serum and
plasma. Archived FFPE tissues are subjected to formalin-induced crosslinking of nucleic acids to
proteins, base purination and strand breaks. As a result, the proportion of RNA fragments <200 bases
is typically >50%, and can be as high as 90%, making these samples unsuitable for standard assays
that require templates >150 bases. In contrast, REase-based assays do not have the 150-base size
limitation [12].

In contrast to the RCEA technology, TORCA does not require enzyme engineering and complex
conjugation. All required components, including custom oligonucleotides, are commercially available
at low cost with a fast turn-around time, thus ensuring great flexibility towards the development of
new assays towards emerging targets of interest.
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5. REase Based Assays: Advantages and Limitations

All REase-based assays described above [5,8,10] have several common advantages associated with
high specificity due to the “double-proof” combination of two biorecognition events. They are nearly
insensitive to (i) non-specific and partially complementary DNA binding, (ii) excess foreign DNA
background and (iii) various non-nucleic acid contaminants (such as proteins, PCR inhibitors, etc.).

The isothermal nature of REase-driven assays, their simplicity and flexibility provide opportunities
for the development of assay cartridges with all components included. The assays can utilize various
molecular markers of different nature and use colorimetric, fluorescent and electrochemical detection
formats without the need of complex instrumentation, and at much lower costs as compared with other
nucleic acid assays. Both fluorescent and electrochemical detection formats would allow for the direct
detection of the released molecular label in the amplification chamber in real time, without the need to
transfer the reaction solution to a special detection chamber. To get rid of this end-point fluid transfer,
and to switch to a kinetic assay mode, one needs to place an electrode or optical detection probe into
the amplification chamber and physically separate it from the solid carrier with immobilized assay
reagents. This can be achieved by various engineering approaches, providing for design flexibility, and
enabling the development of devices for field and point-of-care applications.

The REase-based assays provide for easy adaptation to new analytes of interest. This adaptation
involves a single design step to develop a pair of a 20–30 bp recognition probes with a corresponding
recognition REase. This simplicity provides for a great advantage over another isothermal assay,
LAMP, that requires the use of 4–6 carefully optimized primers for each new DNA target. The current
selection of commercially available REases with different restriction site sequences is expanding
continuously. New England Biolabs alone offers over 285 restriction enzymes. In our experience,
any sufficiently diverse 100–200 bp coding DNA sequence typically contains at least one option for a
possible recognition probe with an REase restriction site. Further, in contrast to the design of recognition
stage components, the same amplification stage reagents can be used for all targets of interest.

The two highly sensitive exponential amplification assay formats, RCEA and TORCA, achieve the
attomolar detection limit similar to the golden standard of PCR. However, in contrast to PCR, they
amplify the assay signal rather than the DNA template. The main issue of template DNA amplification
is a possible sequence-dependent bias that is widely observed in PCR, when certain sequences have
much higher amplification efficiency than the other [13]. The REase-based signal amplification does
not employ the production of multiple new DNA copies, thus it is free of sequence-dependent bias
and mis-priming issues.

The biggest challenge in the development of REase-based exponential signal amplification assays
is the engineering of automated fluid transfer. Currently, reaction solutions are transferred manually,
however, the operator involvement needs to be minimized for point-of-care and field applications.
This will provide a competitive edge for the REase-based assays that can serve as a valid alternative to
PCR due to their simplicity, low cost, high specificity and sensitivity of detection.

6. Conclusions

Our perspectives on applications of the REase-based nucleic acid assays are associated with
their versatility, low cost, simplicity, specificity, isothermal nature and potential for the development
of portable automated instrumentation formats. The two highly sensitive assay formats based on
exponential amplification are valid alternatives to PCR-based assays. They can be performed at a
fraction of the PCR cost in low-resource settings, including point-of-care laboratories, and field facilities.
We believe that the described formats have high potential for biosensors development, since they can
use both fluorometric and electrochemical detection. The detection of a released molecular label can be
done in real time, directly in the amplification chamber during the amplification stage, with no extra
fluid transfer steps, and employing a kinetic assay mode. This allows for substantial simplification
of the assay setup and supporting instrumentation along with a reduction in the assay time. In our
perspective, the REase-based platforms also overcome the very serious limitation of nucleic acid
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assays, namely the minimum target length requirement that is important for both PCR and isothermal
formats such as LAMP. Thus, the novel platforms have potential for considerable expansion into new
niches involving the analysis of highly fragmented nucleic acids, including liquid biopsies. However,
further development of the described technologies requires optimization in terms of simplification,
automation, robustness and short assay time.

Author Contributions: Conceptualization, A.G.; methodology, A.G.; M.S.; K.S.; A.O. (Andrew Oleinikov); A.O.
(Alan Olstein); formal analysis, A.G.; M.S.; K.S.; A.O. (Andrew Oleinikov); A. Olstein; data curation, A.G.; M.S.; K.S.;
A.O. (Andrew Oleinikov); A.O. (Alan Olstein); writing—original draft preparation, A.G.; M.S.; writing—review
and editing, A.G.; M.S.; K.S.; A.O. (Andrew Oleinikov); A.O. (Alan Olstein); supervision, A.G. All authors have
read and agreed to the published version of the manuscript.

Funding: Part of this research was supported by a grant from the National Institutes of Health 1R41AI129130.

Conflicts of Interest: The authors declare no conflict of interest.

References

1. Pingoud, A.; Jeltsch, A. Recognition and cleavage of DNA by Type-II restriction endonucleases. Eur. J. Biochem.
1997, 246, 1–22. [CrossRef] [PubMed]

2. Jen-Jacobson, L. Protein-DNA recognition complexes: Conservation of structure and binding energy in the
transition state. Biopolymers 1997, 44, 153–180. [CrossRef]

3. Compton, J. Nucleic acid sequence-based amplification. Nature 1991, 350, 91–92. [CrossRef] [PubMed]
4. Yan, L.; Zhou, J.; Zheng, Y.; Gamson, A.S.; Roembke, B.T.; Nakayama, S.; Sintim, H.O. Isothermal amplified

detection of DNA and RNA. Mol. BioSyst. 2014, 10, 970–1003. [CrossRef] [PubMed]
5. Smith, M.W.; Ghindilis, A.L.; Seoudi, I.A.; Smith, K.; Billharz, R.; Simon, H.M. A new restriction

endonuclease-based method for highly-specific detection of DNA targets from methicillin-resistant
Staphylococcus aureus. PLoS ONE 2014, 9, e97826. [CrossRef] [PubMed]

6. McDonald, R.R.; Antonishyn, N.A.; Hansen, T.; Snook, L.A.; Nagle, E.; Mulvey, M.R.; Levett, P.N.;
Horsman, G.B. Development of a triplex real-time PCR Assay for detection of panton-valentine leukocidin
toxin genes in clinical isolates of methicillin-resistant Staphylococcus aureus. J. Clin. Microbiol. 2005, 43,
6147–6149. [CrossRef] [PubMed]

7. United States Department of AgricultureFood Safety and Inspection Service, Office of Public Health
Science. Laboratory GuidebookNotice of Change. 2019. Available online: https://www.fsis.usda.gov/wps/
wcm/connect/1d61852b-0b71-45e9-8914-8ff95af7aaa8/mlg-5-appendix-4.pdf?MOD=AJPERES (accessed on
4 February 2019).

8. Ghindilis, A.L.; Smith, M.W.; Simon, H.M.; Seoudi, I.A.; Yazvenko, N.S.; Murray, I.A.; Fu, X.; Smith, K.; Jen-
Jacobson, L.; Xu, S.-Y. Restriction Cascade Exponential Amplification (RCEA) assay with an attomolar detection
limit: A novel, highly specific, isothermal alternative to qPCR. Sci. Rep. 2015, 5, 7737. [CrossRef] [PubMed]

9. Dylla-Spears, R.; Townsend, J.E.; Sohn, L.L.; Jen-Jacobson, L.; Muller, S.J. Fluorescent marker for direct
detection of specific dsDNA sequences. Anal. Chem. 2009, 81, 10049–10054. [CrossRef] [PubMed]

10. Ghindilis, A.L.; Chesnokov, O.; Ngasala, B.; Smith, M.W.; Smith, K.; Mårtensson, A.; Oleinikov, A.V. Detection
of sub-microscopic blood levels of Plasmodium falciparum using Tandem Oligonucleotide Repeat Cascade
Amplification (TORCA) assay with an attomolar detection limit. Sci. Rep. 2019, 9, 2901. [CrossRef] [PubMed]

11. Malaria Policy Advisory Committee Meeting. WHO Evidence Review Group on Malaria Diagnosis in Low
Transmission Settings. 2014. Available online: http://www.who.int/malaria/mpac/mpac_mar2014_diagnosis_
low_transmission_settings_report.pdf (accessed on 4 February 2019).

12. Patel, P.G.; Selvarajah, S.; Guérard, K.-P.; Bartlett, J.M.S.; Lapointe, J.; Berman, D.M.; Okello, J.B.A.; Park, P.C.
Reliability and performance of commercial RNA and DNA extraction kits for FFPE tissue cores. PLoS ONE
2017, 12, e0179732. [CrossRef] [PubMed]

13. Nakayama, S.; Yan, L.; Sintim, H.O. Junction probes—Sequence specific detection of nucleic acids via
template enhanced hybridization processes. J. Am. Chem. Soc. 2008, 130, 12560–12571. [CrossRef] [PubMed]

© 2020 by the authors. Licensee MDPI, Basel, Switzerland. This article is an open access
article distributed under the terms and conditions of the Creative Commons Attribution
(CC BY) license (http://creativecommons.org/licenses/by/4.0/).

409





sensors

Review

Electrochemical Immuno- and Aptamer-Based Assays
for Bacteria: Pros and Cons over Traditional
Detection Schemes

Rimsha Binte Jamal, Stepan Shipovskov and Elena E. Ferapontova *

Interdisciplinary Nanoscience Center (iNANO), Aarhus University Gustav Wieds Vej 14,
DK-8000 Aarhus, Denmark; ribja@inano.au.dk (R.B.J.); stepan.shipovskov@gmail.com (S.S.)
* Correspondence: elena.ferapontova@inano.au.dk

Received: 31 July 2020; Accepted: 23 September 2020; Published: 28 September 2020

Abstract: Microbiological safety of the human environment and health needs advanced monitoring
tools both for the specific detection of bacteria in complex biological matrices, often in the presence
of excessive amounts of other bacterial species, and for bacteria quantification at a single cell level.
Here, we discuss the existing electrochemical approaches for bacterial analysis that are based on
the biospecific recognition of whole bacterial cells. Perspectives of such assays applications as
emergency-use biosensors for quick analysis of trace levels of bacteria by minimally trained personnel
are argued.

Keywords: electrochemistry; bacteria; electrochemical ELISA; electrochemical immunoassays;
electrochemical aptamer-based assays

1. Introduction

Sensitive, selective and quickly responding sensors for bacterial detection are strongly required
for environmental monitoring of water safety [1,2]; in diary, food and beverage industries for product
quality analysis [3]; for prevention, diagnosis and antibiotic treatment of infectious diseases caused
by pathogens [4]; and for combatting biocorrosion in oil and gas industries [5], biological warfare
and terrorism [6]. Pathogenic bacteria cause more than 10 million deaths annually [4] and 1.5 million
people pass away from diarrhea caused by microbiologically contaminated water, with >2 billion
people simply lacking access to safe drinking water resources [2]. Microbiological safety requires
no bacteria present in any 100 mL of drinking water [7]. Similarly low levels of pathogens should
not be surpassed in dairy products (<10 CFU mL−1 E. coli, a specific indicator of the diary product
spoilage, in pasteurised milk) [8], brewery products (<400 CFU L−1 L. brevis in beer) [9] and food
(<100 CFU Salmonella gives from 0.01 to 0.56 probabilities of illness; both 17 and 36 CFU can cause
illness) [10]. Less than 100 CFU mL−1 pathogens should be timely, within 1–2 h detected in blood [11],
and unavailability of rapid sensitive tests is partially responsible for high 30–40% mortality from blood
stream bacterial infections. Complex matrix effects and bacterial cross-interference further challenge
the required analytical sensitivity and limits of detection (LOD).

It is thus no surprise that bacterial sensors should be uniquely robust and specific, with a minimal
(if any) false signal to ensure effective protection of human health. Such sensors can be often considered
as emergency-use sensors since they should provide quick analysis of trace—“alarm”—levels of
bacteria, without complex sample preparation and by minimally trained people. They should be
sensitive at a single cell level and trace bacteria immediately in the “alarm” spots.

The Human Microbiome Project further revealed the vital role bacteria play in human health and
development of gastrointestinal diseases, several types of cancer and type 2 diabetes [12]. Poorer or
uncommon gut microbiota (aka dysbiosis) can also weaken and destabilize immune responses, and its
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role in development of such neurologic disorders as Alzheimer’s disease, through neuro-inflammation,
is more and more acknowledged [13]. Antibiotic resistance is another relatively recently emerged
field of bacterial sensor applications: >0.7 million people die annually from drug-resistant infections,
and their number is predicted to increase to 10 million in 2050 [14]. These findings highlight the
necessity of new, even more advanced analytical tools for multiplex bacterial analysis in complex
biological matrix containing excessive amounts of numerous bacterial species.

Here, we overview the existing approaches for bacterial detection, placing the main focus on
electrochemical immunoassays and aptamer-based assays for the whole bacterial cells, which currently
represent the fastest and most straightforward way of bacterial analysis with a minimal complexity of
sample preparation, and, thus, have the largest potential for practical and commercial use. We critically
discuss pros and cons of such electrochemical assays compared to traditional immunoassays and
their propensity to satisfy the requirements of the ideal bacterial assay’s sensitivity, selectivity and
response time.

2. Methodological Approaches for Bacterial Detection and Quantification

Most routine “gold standard” microbiological tests for bacterial analysis are microbiological
culturing and such nucleic-acid-based approaches as the polymerase chain reaction (PCR) and
fluorescence in situ hybridization (FISH) analysis of bacterial DNA and RNA (Figure 1).

 

Figure 1. Existing methodologies for bacterial analysis.

Despite the established reputation in the field, some of their inherent limitations preclude their
emergency-use applications. Both microbiological culturing and PCR and FISH are time consuming
(from 2 to sometimes 15 h of amplification [15] and from 24–72 h to weeks of bacterial growth [16]).
In addition, despite their high specificity, they are still insufficiently sensitive [16]. In the fastest
PCR and FISH, from 103 to 104 CFU mL−1 can be detected [3,16]. Along with that, errors in PCR
amplification and sequence replication and differences in the DNA extraction protocols existing
for Gram-negative and Gram-positive strains may result in the wrong quantification of bacterial
species [17], not to mention the probability of false-positive signals from dead cells, whose DNA can
also be PCR-amplified. Amplification inhibition by the matrix components can also contribute to
errors in bacteria quantification and therefore detection [18]. Real-time (quantitative) PCR (qPCR)
quantifies amplified bacterial DNA in real-time and may be faster/more sensitive than traditional PCR,
but requires fluorescent labels and as such a more complex optical detection equipment [19]. It may
also suffer from matrix inhibitors and dead-cell produced false positives [20], though some strategies
using intercalating dyes eventually allow to prevent amplification of the dead cells’ DNA [21].
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The recent progress made in molecular biology tools offered more promising approaches for
bacterial nucleic acid (NA) analysis [22] such as:

- NA sequence-based amplification (NASBA, amplifies and detects bacterial messenger RNA,
more sensitive and fast (less than 90 min) than PCR, no interference from dead cells’ DNA,
however, too expensive for environmental applications and suffers from errors in amplification
and quantification following the amplification step) [23];

- Loop-mediated isothermal amplification (LAMP, less expensive than PCR, more sensitive and
faster (1 h) DNA amplification at 60–65 ◦C, less sensitive to inhibitors) [24];

- Recombinase polymerase amplification (RPA, fast (<20 min) amplification of DNA/RNA at
37–42 ◦C; can be integrated with other, portable detection devices, however, it faces primers
design difficulties and requires post-amplification purification digestion) [25].

These new approaches for NA amplification enable the qualitatively different level of analysis,
particularly, when combined with a proper detection strategy (Table 1 summarizes some selected
best examples). However, despite their current wide use in the clinical and molecular-biology
research practice, the NA-based methods, exploiting lab-run equipment and often requiring from
24 to 72 h sample pre-enrichment, have not yet found broad applications in the in-field or alarm
situations requiring fast and specific, often single-cell bacterial detection. Analytical platforms such as
genosensors [26,27] and DNA microarrays [28,29], or next generation sequencing platforms [30,31] also
use bacterial DNA/RNA isolation and amplification protocols as a sample preparation step, and, being
more sensitive, they still rely on lab instrumentation and pre-enrichment steps. Centrifugal lab-on-chip
microfluidic platforms integrating cell lysis and amplification procedures in one chip are very
perspective since they do not need trained personal for handling them and can decrease the time of
analysis down to 70 min [32,33]. On the other hand, due to the small, μL-volume samples they use for
analysis, the LODs they show are quite high, from 103 to 104 CFU mL−1 (down to 10 CFU mL−1 when
the assay time is increased, e.g., to 3.7 h) [32], making them unsuitable for many applications.

Table 1. Selected examples of nucleic acid-based optical biosensors for bacteria.

Strain Technique LOD a Detection Range,
CFU mL−1

Interference Studies Assay Time Ref.

Campylobacter
jejuni

PCR with
pre-enrichment

in suitable
broths

3 CFU/100 mL -

Actinomyces pyogenes,
Campylobacter coli,
Enterobacter cloacae,

Pseudomonas aeruginosa,
Salmonella saintpaul,
Yersinia enterocolitica

48 h [34]

Salmonella,
Listeria

monocytogene

qPCR with two
fluorescently

labelled primers
5 CFU/25 mL -

B. cerus, Campylobacter,
E. aerogenes, E. cowanii,
Cronobacter sakazakii, E.
coli, E. faecalis, S. aureus,

Shigella spp, Serratia
liquefaciens, S. pneumoniae

<48 h [35]

Salmonella

q-PCR with
two-step

pre-filtration on
filter paper

7.5 CFU/
100 mL - - 3 h [36]

Salmonella
typhimurium

direct PCR with
immunomagnetic
preconcentration

2–3 6–6.4 × 104 - <3 h [37]
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Table 1. Cont.

Strain Technique LOD a Detection Range,
CFU mL−1

Interference Studies Assay Time Ref.

Salmonella

PMA-qPCR 36 (pure
culture) and

100 (raw
shrimp)

36–3.6 × 108 (pure
culture) and 100–1
× 108 (raw shrimp)

Vibrio parahaemolyticus,
Listeria monocytogenes,

E. coli O157:H7, S. aureus
1–2 h [38]PMA was used

to increase
sensitivity

Salmonella sp.

Multiplex qPCR
with

immunomagnetic
pre-concentration

2 CFU/g

- <8 h [39]

Shigella sp. 6.8 CFU/g

Staphylococcus
aureus 9.6 CFU/g

Listeria monocytogenes,
E. coli, B. cerus,

Streptomyces griseus,
Pseudomonus aerug,

Lactobacillus plantarum,
E. faecalis, Streptococcus
hemolyticus, Micrococcus

luteus, P. aeruginosa,
Clostridium sporogenes

Salmonella Real-time RPA

10 CFU/g
(eggs)

- 10 min [40]
100 CFU/g
(chicken)

Bacillus cereus,
Campylobacter coli, E. coli

O157:H7, L. casei,
S. aureus, Pseudomonas

aeruginosa, Vibrio
vulnificus

Salmonella LAMP 4.1 -

Listeria monocytogenes,
E. coli O157:H7, S. aureus,

Yersinia enterocolitica,
Proteus mirabilis, Shigella

Flexner, Micrococcus
luteus, Bacillus cereus,
Enterobacter sakazakii,

Pseudomonas fluorescens

1 h [41]

Vibrio
parahaemolyticus LAMP 530 -

Acinetobacter baumannii,
Aeromonas hydrophila,
Enterococcus faecalis,

Haemophilus influenzae,
Helicobacter pylori,

Salmonella

1 h [42]

Salmonella and
Shigella

Multiplexed
LAMP

Simultaneous
detection of two
bacterial species

5 CFU/10 mL -

S. aureus, E. coli, Bacillus
cereus, Pseudomonas

aeruginosa, Vibrio
parahaemolyticus, Listeria

monocytogenes

20 h [43]

E. coli NASBA 40 -

Listeria monocytogenes,
Shigella sonnei, Yersinia

entero Colitica, Salmonella
typhimurium

40 min [44]

Staphylococcus
aureus NASBA 1–10 -

Lactococcus lactis, Bacillus
cereus, Listeria
monocytogenes,

Enterococcus faecalis,
E. coli, Citrobacter freundii,
Sal-monella, Streptococcus
bovis, Klebsiella aerogenes

3–4 h [45]

Salmonella
enteritidis.

FRET with CNP
for signal

enhancement
150 100–3000 Salmonella typhimurium,

E. coli K88 2 h [46]

Salmonella DNA
Micro-array

2–8 CFU/g
(tomato) -

E. coli, Shigella, S. aureus,
Pseudomonas aeruginosa,

Citrobacter freundii, Vibrio
cholera, Enterococcus

fae-calis, Yersinia
enterocolitica

<2 h [47]
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Table 1. Cont.

Strain Technique LOD a Detection Range,
CFU mL−1

Interference Studies Assay Time Ref.

Salmonella

DNA
Micro-array

QD used
in-place of

fluorescent dyes

10 -

Vibrio parahaemolyticus,
Vibrio fluvialis, Yersinia
enterocolitica, Proteus

sp.,S. aureus, Enterococcus
faecalis, Campylobacter

jejuni, β-hemolytic
Streptococcus, Listeria

monocytogenes

<2 h [48]

Salmonella and
Campylobacter

DNA
Micro-array

14–57 and
11–60 -

Listeria monocytogenes,
B. cereus, Cronobacter
sakazakii, Citrobacter

freundii, Klebsiella
pneumonia, E. coli, Proteus

vulgaris, Enterobacter
aerogenes, Hafnia alvei,

Serratia marcescens

45 min [49]

a LOD: the limit of detection cited in accordance with the IUPAC definition as “the smallest amount of concentration of
analyte in the sample that can be reliably distinguished from zero”. CNP: Carbon nanoparticles; LAMP: Loop-mediated
isothermal amplification; NASBA: Nucleic Acid Sequence Based Amplification; PMA: Propidium monoazide;
RPA: Recombinase Polymerase Amplification; QD: Quantum Dots; q-PCR: quantitative Polymerase Chain Reaction.

Immunoassays for whole bacterial cells is an alternative strategy intensively used [3,16]
(Figure 1). The basic principle of immediate capturing of bacteria by the immobilized highly-specific
biorecognition element, such as an antibody (Ab) or an apatmer, followed by a further read-out
of the binding event either label-free or through the enzyme-amplified reaction, is most attractive
for the development of rapid, sensitive and specific bacterial assays. Immunological analysis of
bacteria by, e.g., traditional enzyme-linked immunosorbent assays (ELISA) may be quite specific and
eventually fast; however cross-interference and surface fouling in physiological matrices may obstruct
the results [3]. Also, the most frequently reported LODs, from 104 to 106 CFU mL−1 [16], are insufficient
for many emergency-use sensing applications. The required sensitivity and specificity of analysis and
higher speed/lower cost can be reached by using a variety of methodologies, amplification strategies
and read-out techniques, as well as bio-mimicking bioreceptors and labels (Tables 2 and 3). The existing
and emerging immunoassay approaches for bacterial analysis are scrutinized in the following sections.

Table 2. Selected examples of optical and related immunoassays for whole bacterial cells.

Strain/Analytical
Scheme

Technique
LOD a, CFU

mL−1
Detection Range,

CFU mL−1
Interference Studies

Assay
Time

Ref.

E. coli
O157:H7Immuno
magnetic assay,
separation from
complex matrix

Plate counting
method 16 1.6 × 101–7.2 × 107

Salmonella enteritidis,
Citrobacter freundii,

Listeria monocytogenes
15 min [50]

Staphylococus aureus
Aptaassay on

microtiter plates

Colorimetric
detection with

AuNP as
indicator

9 10–106

Vibrioparahemolyticus,
Salmonella typhimurium,

Streptococcus, E. coli,
Enterobacter sakazakii,
Listeria monocytogenes

15 min [51]

Pseudomonas
aeruginosa

Aptamer assay on MB

Fluorometric
detection with

magnetic
separation

1 10–108
Listeria monocytogenes,
S. aureus, Salmonella

enterica, E. coli
1.5 h [52]
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Table 2. Cont.

Strain/Analytical
Scheme

Technique
LOD a, CFU

mL−1
Detection Range,

CFU mL−1
Interference Studies

Assay
Time

Ref.

Vibrio cholerae O1
Sandwich

immunoassay
Chromatographic 5 × 105–106

Shigella flexneri,
Salmonella typhi,

Pseudomonas aeruginosa,
Proteus vulgaris,

Klebsiella pneumonia,
Enterobacter cloacae

15 min [53]

E. coli O157:H7
Sandwich

immunoassay

ELISA with
HRP-TMB label
and AuNP for

signal
amplification

68 (PBS) 6.8 × 102 (PBS)
6.8 × 103 (in food)

Salmonella senftenberg,
Shigella sonnei, E. coli K12 3 h [54]

Salmonella
typhimurium
Apta- and

immunoassay on MB

Colorimetric;
ELISA on MB

with HRP/TMB,
and AuNP for

signal
amplification

1 × 103 1 × 103–1 × 108
Salmonella typhi,

Salmonella paratyphi,
S. aureus, E. coli

3 h [55]

E. coli ATCC 8739
Apta-ssay on AuNP FRET 3 5–106

E. coli DH5a, E. coli
(ATCC 25922),

Bacillus subtilis; S. aureus
- [56]

Vibrio fischeri
Sandwich aptaassay

on paper

Colorimetric
detection with

AuNP
40 40–4 × 105

Vibrio parahemolyticus,
E. coli, Bacillus subtilis,

Shigella sonnei, S. aureus,
Salmonella choleraesuis,
Listeria monocytogenes

10 min [57]

E. coli O157:H7
Sandwich

immunomagnetic
assay

Fluorescence
using pH
sensitive

fluorophore
release detection

labels

15 - Streptococcus pneumoniae
R6 <3 h [58]

E. coli O157:H7,
Salmonella

typhimurium, Listeria
monocytogens

Multiplex, Sandwich
immunomagnetic

assay

Fluorescence <5 - No cross reactivity between
target pathogens 2 h [59]

Salmonella enterica
Sandwich and direct

immunoassays

ELISA with
CNT/HRP-TMB 103 and 104 - -

24 h
(direct); 3 h
(sandwich)

[60]

E. coli O157:H7,
Salmonella

typhimurium
Sandwich

immunomagnetic
assay

ELISA with
HRP/TMB and
AuNP network

for signal
amplification

3–15 -
Listeria monocytogenes,

Salmonella typhimurium,
Salmonella enteritidis

2 h [61]

Salmonella enterica
typhi

Sandwich
immunoassay with
pre-enrichment in

BPW

dot-ELISA,
with Ab-HRP
conjugate and

3,3
diaminobenzidine
tetrahydrochloride

104 before 102

after
enrichment

- -
4 h, 10 h

with
enrichment

[62]

Listeria monocytogenes,
E. coli O157:H7 and
Salmonella enterica

Sandwich
immuno-fluorescence

assay

Optical fiber;
multiplexed

simultaneous
detection

103 - Cross-reactivity tested with
other target pathogens <24 h [63]

Escherichia coli
Lateral flow aptaassay

on QD
Colorimetric 300–600 -

Bacillus cereus,
Enterococcus faecalis,

Listeria monocytogenes,
Salmonella enterica

20 min [64]
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Table 2. Cont.

Strain/Analytical
Scheme

Technique
LOD a, CFU

mL−1
Detection Range,

CFU mL−1
Interference Studies

Assay
Time

Ref.

Salmonella
Aptamer-based lateral

flow assay

Colorimetric
using

up-conversion
of NP for
detection

85 150–2000 E. coli, S. aureus,
Bacillus subtilis 30 min [65]

Salmonella
typhimurium

Immunoagglutination-
based immunoassay

Optical Mie
scattering of
antigen-Ab

clusters

10 inconsistent
with a 15 μL

sample
volume

100–106 -
10 min

(from 6 to
15 min)

[66]

E. coli O157:H7
Immunomagnetic
pre-concentration

LRSP diffraction
grated Au

surface
50 103 to 107 E. coli K12 30 min [67]

Escherichia coli
Immunoassay in a

paper-based
microfluidic device

Optical Mie
scattering of
antigen-Ab

clusters

10 inconsistent
with a 3.5 μL

sample
volume

10 to 103 - 90 s [68]

Salmonella
typhimurium

Sandwich
immunoassay with

magnetic
pre-concentration

Fluorescence
detection using

QDNPs
103 103–106 E. coli 30 min [40]

RESONANCE-FREQUENCY-BASED IMMUNOASSAYS

Escherichia coli
O157:H7

Immunoassay on
Ab-modified glass b

Resonance
frequency 1 (in PBS) - - 10 min [69]

Salmonella enterica
Aptamer-based assay

on MB

Piezoelectric:
QCM 100 100–4 × 104 E. coli 40 min [70]

S. aureus
Aptamer-based assay

Magnetoelastic
resonance
frequency
detection

5 10–1 × 1011

Listeria monocytogenes,
E. coli, Enterobacter

sakazakii, Streptococcus,
Vibrio parahemolyticus

25–26 min [71]

Salmonella
Sandwich

immunoassay

Piezoelectric:
QCM using

AuNP labels for
mass

amplification

10–20 10–105
Klebsiella pneumonia,

Enterobacteria spp,
Pseudomona spp, S. aureus

9 min [72]

Listeria monocytogenes
Sandwich

immunoassay o

Resonance
frequency

detection on a
sputtered
gold/lead-

zirconate-titanate
surface

100 103–105 - 30 min [73]

a LOD: the limit of detection cited in accordance with the IUPAC definition as “the smallest amount of concentration
of analyte in the sample that can be reliably distinguished from zero”. AuNPs: Gold Nanoparticles; BPW: Buffered
Peptone Water; CNT: Carbon Nanotubes; ELISA: Enzyme-Linked Immunosorbent Assay; HRP: Horseradish
Peroxidase; LRSP: Long Range Surface Plasmons; MB: Magnetic Beads; NP: Nanoparticles; TMB: Tetramethyl
Benzidine; QCM: Quartz-Crystal Microbalance; QD: Quantum Dots; QDNPs: Quantum Dot Nanoparticles.
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Table 3. Selected examples of ultrasensitive and/or specific sensors for bacterial cells based on
electrochemical immunoassay approaches.

Strain/Analytical
Scheme

Technique
LOD a, CFU

mL−1
Detection Range,

CFU mL−1
Interference Studies Assay Time Ref.

Sulphur reducing
bacteria

Immunoassay on
chitosan doped rGS

EIS at 10 mV vs.
Ag/AgCl with
ferricyanide

18 18–1.8 × 107 Vibrio angillarum - [74]

Sulphur reducing
bacteria

Immunoassay on
AuNP-modified Ni

foam

EIS at 5 mV vs.
Ag/AgC with
ferricyanide

21 2.1 × 101–2.1 × 107 Vibrio anguillarum, E. coli 2 h [75]

Salmonella enterica
Immunoassay on
gold electrodes

EIS at 5 mV
vs.Ag/AgCl with

ferricyanide

100 (10 CFU in
100 μL) 100–10 × 104 E. coli

1.5 min
(no data on
incubation

time)

[76]

S. aureus (protein A)
Competitive

magneto-
immunoassay on

TTF-AuSPE.

e-ELISA,
HRP label; TTF

mediator
Amperometry at

−0.15 V

1(raw milk) 1 to 107 E. coli, Salmonella
choleraesuis 2 h [77]

E. coli O157:H7, S.
aureus

Immunoassay on
nano-porous

alumina

EIS at 25 mV vs.
Pt; no label 100 - Both strains were used for

specificity test 2 h [78]

E. coli, Listeria
monocytogenes,

Campylo-bacter jejuni
Sandwich

immunoassay with
highly dispersed
carbon particles

Electrochemical
detection at

105 mV; HRP as
a label, TMB as a

substrate

50, 10 and 50,
respectively

50–103, 10–1500,
and 50–500

- 30 min [79]

Pseudomonas
aeruginosa

Aptaassay on AuNP
and AuNP/SPCE

Amperometry at
0.4 V with TMB 60 60–60 × 107 Vibrio cholera, Listeria

monocytogens, S. aureus
10 min

(colorimetry) [80]

E. coli
IDE modified with

anti-E. coli Ab

Impedance at
5 mV: no label,

electric field
perturbation

300 102–104 - 1 h [81]

E. coli O157:H7
Immunoassay at
HA modified Au

electrode

EIS with
ferricyanide 7 10–105 S. aureus, Bacillus cereus,

E. coli DH5a. - [82]

E. coli O157:H7
Immunoassay on
AuNP modified

rGO paper

EIS at 5 mV vs.
Ag/AgCl with
ferricyanide

150 150–1.5 × 107
S. aureus, Listeria

monocytogenes, E. coli
DH5a.

- [83]

E. coli CIP 76.24
Immunoassay on

polyclonal
Ab/neuroavidin/SAM/Au

EIS with no
indicator, at
−0.6 V in
aerated

solutions

10
10–105 and

103–107 for lysed
cells

S. epidermis: Interference
at ≥100 CFU mL−1

1 h
incubation +

detection
[84]

E. coli K12, MG1655
Phage typing &

assaying activity of
β-D-galactosidase

in cell lysates, SPCE

Amperometry at
0.22 V, oxidation
of enzymatically

produced
p-aminophenol

1 CFU in
100 mL 1–109 Klebsiella pneumoniae 6–8 h [85]

E. coli O157:H7
Immunoassay on

monoclonal Ab/ITO

EIS at 0.25 V
with

ferricyanide as a
redox indicator

10 10–106 S. typhimurium, E. coli
K12

0.8 h
incubation +
wash./detect.

[86]
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Table 3. Cont.

Strain/Analytical
Scheme

Technique
LOD a, CFU

mL−1
Detection Range,

CFU mL−1
Interference Studies Assay Time Ref.

E. coli ORN 178
Assay at

carbohydrate
modified SAM

on Au

EIS at 5 mV vs.
Ag/AgCl; with

ferricyanide
100 120 –2.5 × 103 E. coli ORN 208 <1 h [87]

E. coli XL1-Blue; K12
Assay on non-lytic

M13
phage/AuNP/GCE

EIS with
ferricyanide

redox indicator,
at 0.15 V

14 10–105 Pseudomonas chlororaphis
0.5 h

incubation +
wash./detect.

[88]

E. coli O157:H7
Sandwich

immunoassay on
MB at Au IDE,

detected a response
to urea hydrolysis

by urease

EIS at 0 V, no
indicator, label:
urease/AuNP/

aptamer;

12 12–1.2 × 105 S. typhimurium,
Listeria monocytogenes ca. 2 h [89]

E. coli K12 and DH5α
Sandwich

immunoassay on
MBs; on

nitrocellulose
modified Gr

Chronocoulometry
at 0.3 V; no

redox indicator;
label: cellulase

1 (PBS),
2 (milk) 1–4 × 103

E. agglomerans, S. aureus,
Salmonella enteretidis,
B. subtilis, P. putida

3 h [90]

E. coli O157:H7
Sandwich

immunoassay on
nanoporous

alumina membrane

EIS at 25 mV/Pt;
no label 10 100–104 - - [91]

E. coli
Aptaassay on ITO

modified with
photoelectrochemical

non-metallic NM

Potentiometric
detection at

0.15 V (cathodic)
and −0.4 V

(anodic)
(ratiometric
detection)

2.9 2.9–2.9 × 106 - 12 h [92]

E. coli O157:H7
Immunoassay on

nanoporous
alumina membrane

EIS; no label 10 (PBS) 83.7
(milk) 10–105 S. aureus, Bacillus cereus,

E. coli DH5a. - [93]

E. coli O157:H7
Aptaassay on a

paper modified with
graphene

nanoplatinum
composite

EIS with
ferricyanide

indicator at 100
mV

4 4–105 - 12 min [94]

E. coli K12
Sandwich

immunoassay

Amperometry at
−0.35 V, HRP as

a label;
substrates:

HQ/BQ
andH2O2

55 (PBS) 100
(milk) 102–108 Pseudomonas putida 1 h [95]

E. coli O157:H7
Sandwich

immunoassay with
PtNCs coupled to

GOD

Cyclic
voltammetry

from −0.15 V to
0.65 V

15 32–3.2 × 106
Salmonella typhi,

Shigella dysenteriae
Shigella flexneri

30 min [96]

E. coli O157:H7
Immunoassay on a
SAM modified gold

electrode

EIS with
ferricyanide at

0 V vs. Ag/AgCl
2 30–3 × 104 Salmonella typhimurium 45 min [97]
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Table 3. Cont.

Strain/Analytical
Scheme

Technique
LOD a, CFU

mL−1
Detection Range,

CFU mL−1
Interference Studies Assay Time Ref.

E. coli
Sandwich

immunoassay on
AuNP-structured

electrode in an
automated

microfluidic chip

Ammperometry
at –0.1 V, with
an HRP label
and TMB as a

substrate

50 50–106
Shigella, Salmonella spp.,
Salmonella typhimurium,

S. aureus
30 min [98]

E. coli O157:H7,
S. aureus

Nano-porous
alumina membrane
in a PEG-modified
microfluiidc chip

Electrochemical
impedance 100 102–105 E. coli O157:H7, S. aureus <1 h [99]

a LOD: the limit of detection cited in accordance with the IUPAC definition as “the smallest amount of
concentration of analyte in the sample that can be reliably distinguished from zero”. AuNPs: Gold Nanoparticles;
AuSPE: Gold Screen Printed Electrodes; BQ: Benzoquinone; EIS: Electrochemical Impedance Spectroscopy;
GCE: Glassy Carbon Electrode; Gr: Spectroscopic Graphite; HRP: Horseradish Peroxidase; HA: Hyaluronic Acid;
HQ: Hydroquinone; IDE: Interdigitated Electrodes; ITO: Indium Tin Oxide; GOD: Glucose Oxidase; MB: Magnetic
Beads; NM: nanomaterial; PtNCs: Platinum Nanochains; PEG: Polyethylene Glycol; rGO: Reduced Graphene Oxide;
rGS: Reduced Graphene Sheet; SAM: Self-Assembled Monolayers; SPE: screen printed electrodes; SPCE: Screen
Printed Carbon Electrodes; TMB: 3,3′,5,5′-tetramethylbenzidin; TTF: TetraThiaFulvalene.

Standing separately are metabolic sensors based on the detection of signals associated with specific
reactions related to bacterial metabolism [100,101] (Figure 1). Those approaches may be very efficient
but generally are either low specific or based on very individual metabolic biomarkers of specific
bacterial species, and thus they do not form general analytical platforms.

3. Immunoassays and Aptamer-Based Assays with Optical Detection

Immunoassays and aptamer-based assays exploit the specificity of a biorecognition of targeted
bacterial pathogens by mono- and polyclonal Abs [102] and by their in vitro alternatives—aptamers [103],
and thus rely on their availability. A variety of bacterial pathogens can be detected once Ab or aptamers
are developed for a specific bacteria type. The Ab and aptamers also represent the main limitation of
this approach, since the available Ab or aptamers may not be sufficiently specific or show insufficient
affinities for their targets. They may be too expensive for a number of applications and, finally, they may
not be available at all.

In the optical immunoassays for whole bacteria, bacterial binding to the sensor surface changes the
optical properties of the sensor/reaction media, such as UV/vis absorption, fluorescence, luminescence,
which is optically read out [104]. Ca. 25 and 16 CFU mL−1 LODs were shown for S. typhimurium
and E. coli in a 1 h fluorescence assay with aptamer-modified fluorescent-magnetic multifunctional
nanoprobes [105]. A 30 min fluorescence aptamer-based assay with vancomycin-Au nanoclusters
and aptamer-modified Au nanoparticles (NPs) allowed to detect down to 20 CFU mL−1 of S. aureus
in PBS with no interference from other species; the assay performed well in milk, juice and human
serum 10- and 5-fold diluted with PBS [106]. Such assays usually rely on clinical laboratory-based
equipment and are less suitable for in-field applications, though on a few occasions portable optical-fiber
systems [63,107] or colorimetric lateral-flow tests [64,108] have been reported. Such label-free optical
approaches as surface plasmon resonance (SPR) that follow the changes in the refractive index of the
transducer bioreceptor-modified interface are generally less sensitive (Table 2), and complex matrix
components can strongly interfere with analysis. They also require a bulky equipment low suitable for
in-field analysis and point-of-care testing (POCT).

Among optical immunoassays, ELISA is the dominant Ab-based methodology that relies on
specific binding of bacteria to Abs immobilized either to a solid support (typically polystyrene,
polyvinyl or polypropylene, or in a 96 or 384 micro-well plate) or to magnetic beads [109]. Binding of
bacteria by a capture Ab is followed by reactions with a secondary Ab (or an aptamer) typically labelled
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with such redox enzymes as horseradish peroxidase (HRP) or alkaline phosphatase (AlkP), whose
enzymatic reactions with their substrates result in the optically active products. Upon addition of the
corresponding enzyme substrates, the reaction mixture changes the color, being followed by the plate
reader or other spectrophotometric equipment [110]. HRP and AlkP enzymes are most commonly
used in the enzyme-dependent immunoassays, both due to their high turnover rates and satisfactory
stability of their bio-conjugates at 4 ◦C (both are sensitive to freezing [111–113]). In situations of
a high-level endogenous peroxidase activity, AlkP becomes a more suitable choice. Among other
frequently used enzymes is β-D-galactosidase (β-gal), whose bioconjugates are much more stable
and can be stored for at least one year at 4 ◦C [114]. However, due to its high molecular weight and
low turnover number, β-gal is used less. Still, stability and sensitivity issues trigger further search of
novel and advanced enzymatic labels, such as adenosine deaminase (ADA) [115], or enzyme-loaded
nanostructured labels, such as HRP-loaded nano-spherical poly(acrylic acid) brushes increasing the
sensitivity of conventional ELISA by 267-fold [116].

Direct ELISA, in which an antigen-coated micro-well plate is exposed directly to an enzyme-linked
Ab [117] is well suited for bacterial analysis [110]. However, the reported LODs of direct ELISA
(over 106 CFU mL−1 [16,118]) are insufficient for earlier discussed applications. Down to 103 CFU mL−1

LODs can be reached with a sandwich ELISA, in which the signal is generated only when a complete
primary Ab(bacteria)secondary Ab sandwich is assembled, and in indirect ELISA (Table 2). Such setups
are reported to be 2–5 times more sensitive than direct and other ELISA types [119]. 103 CFU mL−1

of food-borne pathogenic Salmonella could be detected in indirect ELISA by targeting its membrane
protein, bacterial flagellin FliC [120], while whole bacterial cell sandwich ELISA allowed detecting
103 CFU mL−1 of Brucella abortus and Brucella melitensis [121] and Bacillus cerus [122]. Further specificity
and sensitivity of analysis can be controlled by a proper choice of Abs and Ab-replacing aptamers and
of aptamer-reporter labels and nanomaterial-based labels [123]. Another emerging development of
ELISA is a replacement of the primary Ab by bacteriophages, which allowed specific detection of E. coli
and Salmonella strains, with a LOD of 105 cells per well (or 106 cells mL−1) [124]. Overall, the shown
LOD and eventually the protocols requiring lab-operating equipment make traditional ELISA low
suitable for sensitive emergency-use applications.

Lateral flow immunoassays (LFI) share with ELISA the basic immunological principle and offer
advantage in cost and faster analysis times. Adapted for a dipstick or immunochromatographic strip
operation, they can essentially simplify and accelerate the analysis of the pathogenic microorganisms,
since they do not require complex equipment or special training for their handling, and thus are more
suitable for POCT [125] (Table 2). Colorimetric lateral-flow tests have reported LODs varying between
100 CFU mL−1 (a 5 min sandwich assay for E. coli with an HRP label read out by a CCD camera) [108]
and 104–105 CFU mL−1 (a 20 min LFI with up-converting phosphor NPs as reporters, 10 CFU 0.6 mg−1

after pre-enrichment step) [126]. Similarly, 10 CFU mL−1 of different bacterial species could be detected
in 1 h only after from 4 to 5 h pre-enrichment steps [127]. It is clear that without pre-enrichment most
of LFIs show sufficiently high LODs (from 102 to 106 CFU mL−1) [128–130], which currently restricts
their immediate application in “alarm” situations.

4. Electrochemical Immunoassays

Electrochemical biosensors for bacteriological analysis include: (A) genosensors for bacterial DNA
or RNA; (B) bacterial metabolic sensors, and (C) biosensors for detection and quantification of the whole
bacterial cells [131]. Of those, electrochemical immunoassays and aptamer-based assays for bacteria
are most challenging as platform biotechnologies competing with commercially established optical
immunoassays. Due to a portable and inexpensive equipment with minimal power requirements and
more robust read-out techniques, electrochemical approaches often allow more rapid and accurate
bacterial detection with a decreased cost of equipment/assay and easier miniaturization of the device
for use in-field and at POCT sites.
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In the electrochemical approach, binding of bacteria to the Ab- or aptamer-modified surfaces
is detected electrochemically by means of a redox active indicator (also: a redox mediator and a
redox active product of the enzymatic reaction) or label-free, through the changes in the interfacial
properties of the modified electrodes (Figure 2A–C). Overall, the specificity and sensitivity of the
bacterial immunoassays can be radically improved by a wise combination of bio-recognition abilities
of Abs/aptamers and redox indicators with electrochemical methodologies [27,123]. In electrochemical
sandwich ELISA (e-ELISA) the formation of the Ab(bacterium)Ab complex is detected electrochemically
by recording the electro-enzymatic activity of the labels, such as HRP or AlkP. The signal is amplified
as a result of electrochemical recycling of one of the enzyme substrates at the electrodes or due to
accumulation of the product changing the electrode properties (Figure 2D–F). The electrochemical
signals can be further enhanced by modifying the electrode surface and/or designing more sophisticated
capturing and detection mechanisms (Table 3).

 
Figure 2. Schematic representation of the typical electrochemical immunosensors. (A) In a label-free and
indicator-free immunoassay binding of a cell to the Ab-modified surface is detected impedimetrically;
(B) In the presence of a redox indicator cell binding can also be detected voltammetrically or by
chronocoulometry. In (C) a redox mediator of cellular metabolism is recycled at the electrode, giving
rise to signals associated only with live cells. In (D) a bacterial cell is entrapped in an immune-sandwich
formed by two Abs on the electrodes surface and labeled with a redox active enzymatic label,
whose activity is electrochemically monitored through its substrate recycling at the electrode surface.
(E,F) represent the sandwich assay adaptation to the magnetic beads-format, in (F) redox-inactive
enzymatic labels induce changes at the electrode-solution interface that are electrochemically detected.
(G) In (A–F) designs elements alternative to Ab can be used: peptides, phages and aptamers.

In contrast to optical immunoassays, electrochemical immunoassays (e-immunoassays) for bacteria
may not need any labeling at all since they can rely on the interfacial changes resulting from the
bacterial binding to the bioreceptor-modified surface. The microscopic, from 0.5 to 5 μm size of
bacteria results in significant changes of the electrical properties of the bio-recognition interface upon
bacterial binding, although surface fouling by non-specifically bound bacterial species may be a serious
electroanalytical issue. The sensitivity and specificity of e-immunoassays is therewith essentially
increased compared to traditional ones, the LOD being improved to just a few CFU [131,132]. The most
sensitive and fastest appeared to be impedimetric biosensors and e-immunoassays on magnetic beads
(MBs) enabling a few CFU mL−1 bacteria detection (Table 3). In addition, both the sample volume and
the time of analysis can be significantly minimized, which is important for emergency applications.
Detection protocols can be adapted for POCT (particularly, within the microfluidic format [98]) or
portable-device in-field operation.
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4.1. Electrochemical ELISA

Most intensively reported is e-ELISA exploiting HRP or AlkP bioelectrocatalytic labels, whose
substrates are either electrochemically recycled at electrodes [77,133,134] or precipitate and block the
redox indicator reactions at the electrode [135] (Figure 2D). Using traditional ELISA’s enzymatic labels
that rely on their substrate recycling at electrodes may result in a strong dependence of the e-ELISA
sensitivity on the electrode surface properties. It often results in LODs close to those reported in the
optical ELISA schemes. Bioelectrocatalytically-amplified ELISA on MBs is more advanced (Figure 2E).
Bacteria are collected on MBs modified with bacteria-specific Ab (or aptamers), immunomagnetically
separated from the original, often complex bacterial sample matrices, and finally pre-concentrated
in smaller volume samples [136]. That results in sample amplification and excludes biofouling of
the electrodes with matrix components. 845 CFU mL−1 of S. aureus in nasal flora samples could be
specifically detected in the 4.5 h sandwich e-ELISA on MB with the AlkP label [137]. A competitive
e-immunoassay with the HRP label allowed detecting 1 CFU mL−1 S. aureus in 2 h and 1.4 CFU mL−1

Salmonella in 50 min, in milk, without any sample pre-enrichment and with exceptional selectivity over
other pathogens [77].

Requirements for a higher stability, simplicity and lower cost of e-immunoassays triggers application
of low-cost redox inactive hydrolases as enzymatic labels in e-ELISA: lipase [138], urease [89]
and cellulase [139] can also be effectively used in bacterial RNA and protein e-ELISA [9,140,141].
With hydrolase labels, products of hydrolysis of their substrates are electrochemically detected:
bio-transformation of urea to ammonium carbonate increases the impedance of the system,
while cellulase digestion of nitrocellulose films formed on graphite electrodes increases their electronic
conductivity (Figure 2F). Such assays by itself rely not on the reactivity of the electrode, but rather
on the enzymatic label reactivity with their substrates. That allowed highly sensitive and specific
detection of 12 CFU mL−1 of E. coli in the buffer solution and in milk, in 2 h [89], and down to 1 CFU
mL−1 of E. coli in tap water (2 CFU mL−1 of E. coli in milk) within 3 h, by assembling a hybrid aptamer
(E. coli)Ab sandwich on MBs [90]. 100 CFU mL−1 of Salmonella enteretidis, Enterobacter agglomerans,
Pseudomonas putida, Staphylococcus aureus and Bacillus subtilis did not interfere with the single E. coli
detection when Ab was used as a capture element [90]. Both assays did not require any sample
pre-treatment (e.g., cell pre-enrichment), are electrochemically label-free (no redox indicator/mediator
was used), and are cost-effective due to the low cost of urease ($0.5 per mg) and cellulase (from $0.002
to $0.2 per mg) and their high storage stability. The urease assay could be well-integrated within the
microfluidic format [89]. Both assays are general and can be adapted for specific detection of any other
bacterial species once the corresponding Ab and aptamers are used.

Efforts are also focused on replacing enzymatic labels by different type of nanomaterial-based
labels and catalysts such as quantum dots (QDs), DNAzymes and electrocatalytic nanoparticles (Table 3).
For example, 3 CFU mL−1 of E. coli O157:H7 was detected in spiked milk samples by a sandwich
e-ELISA assembled on the Ab-poly(p-aminobenzoic acid)-modified electrode and labelled with CdS
QDs encapsulated in a metal organic/zeolitic imidazolate framework-8 (CdS@ZIF-8). The large load
of the metal framework with CdS QDs resulted in an amplified electrochemical response detected
voltammetrically [142].

The most successful example is the traditional HRP-linked sandwich ELISA integrated in the
automated microfluidic electrochemical device, in which the HRP-labelled Ab was replaced by the
HRP-Ab-Au NPs complex [98]. 3,3′,5,5′-Tetramethylbenzidine was an electrochemical mediator of the
H2O2 reduction by HRP detected chronoamperometrically at −0.1 V. Sandwich assembly on the gold
microelectronic chip surface then allowed down to 50 CFU mL−1 detection of E. coli in water within the
overall 20 min procedure, with no interference from Shigella, Salmonella spp., Salmonella typhimurium,
and S. aureus. It was possible to regenerate the Ab-modified sensor surface in a flow of 0.1 M HCl and
then re-use it for another E. coli detections [98]. In a microfluidic assay, the fast delivery of the bacteria
to the sensor surface by the microfluidic flow is equivalent to the fast capturing of bacteria on MBs.
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However, due to small volumes of injected samples (e.g., 200 μL injected for 8 min at 25 μL min−1) [98]
and turnover limitations of redox enzymes used, a 1 CFU mL−1 LOD may be difficult to achieve.

4.2. Electrochemical Immunoassays (Not Enzyme-Linked)

4.2.1. Antibodies and Aptamers Based Assays

The simplest e-immunoassay strategy represents the electrode surface modification with an Ab
or an aptamer, and immediate electrochemical detection of bacterial binding, either by following the
interfacial changes accompanying binding impedimetrically, with or without a redox indicator, or by
electrochemical monitoring of the metabolic activity of the captured cells (Figure 2A–C). The latter
allows assessment of a viable cell population. E. coli and N. gonorrheae were immuno-specifically
captured on the Ab-modified gold screen-printed electrodes (SPE), and 106 and 107 CFU mL−1 of them
were quantified by voltammmetric analysis of the electroenzymatic activity of bacterial cytochrome c
oxidase; synthetic substrate N,N,N′,N′-tetramethyl-p-phenylene-diamine was used as a mediator [143]
(Figure 3A). The assay was relatively fast (45 min binding and 1 h SPE regeneration) and inexpensive.
Since the LOD was quite high, the authors suggested it for assessment of the efficiency of antibiotic
treatments since it relies on the assay ability of a viable cells quantification.

 

Figure 3. Selected examples of bacterial sensors based on (A) immune-recognition and electrochemical
assessment of viable cell metabolism [143]; (B) Phage-based bacterial cell assay [144]; (C) Whole cell
imprinted polymer sensor based on E. coli imprinting into ultrathin silica films on gold-coated
glass slides [145], (D) Electro-chromic immunoassay [146]; and (E) Electrochemical nanopore
immunoassay [147], and (F) Nanopore e-immunoassay integrated within the microfludic device [99].
Copyright (2019), (2017), (2019), and (2011) American Chemical Society and copyright (2016) and
(2019) Elsevier.

The most frequently used e-immunoassays detect the total number of bacterial cells bound
to the Ab or aptamer-modified electrodes by using Electrochemical Impedance Spectroscopy (EIS)
either in the presence of a redox indicator, such as ferricyanide, or without it [84,148–151] (Table 3).
Significant changes in the interfacial properties of the Ab-modified electrodes after binding of bacterial
cells allowed 1 h detection of 10 CFU mL−1 of E. coli CIP 76.24 strain (Ab immobilization on biotinylated
alkanethiol SAMs) [84] and 5.5 CFU mL−1 of Listeria monocytogenes (Ab immobilisation via protein A
capable of binding of the Fc-region of Abs) [149].

104 CFU mL−1 of S. pyogenes was detected in human saliva in 30 min by bacteria capturing at the
Ab/biotinylated Ab-modified electrodes (immobilization on NHS/EDC-activated alkanethiol SAMs
or a conductive polymer via biotin-streptavidin/neutravidin linkage) [148]. 100 CFU mL−1 of E. coli
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O157:H7 were detected at Ab-modified screen-printed interdigitated microelectrodes (immobilisation
through the 2-dithiobis(sulfosuccinimidylpropionate)) in less than 1 h, and wheat germ agglutinin
capable of binding to bacterial cell walls was used for the EIS signal enhancement [151]. Only 10 min
took 600 CFU mL−1 S. eneteritidis detection at the aptamer/Au NPs-modified carbon SPE [150].
Aptamer immobilization on the Au NPs-modified electrodes was performed through the alkanethiol
linker introduced in the 5′ end of the aptamer sequence.

Microfluidic formats of the impedance immunoassays further improve the assay time: 7 CFU
mL−1 of multiple Salmonella serogroups were detected in 40 min in poultry and lettuce samples with
no interference from E. coli, by bacteria trapping at the interdigitated Ab-modified Au electrodes of a
microfluidic biosensor [152]. In the latter case, live and dead cells were discriminated by their different
intensity of the impedance signal. However, no signal calibration data or cell growth information
were given.

Generally, e-immunoassays relying on the surface-immobilized Ab and aptamers are quite specific,
though, in many cases the modified electrodes also respond to other bacterial species, yet with a
signal amplitude less significant than with the targeted bacteria [84,148,150]. To prevent non-specific
binding of other bacteria, such antifouling strategies as electrode patterning and co-adsorption of
antifouling agents were used. 100 CFU mL−1 of E. coli O157:H7 with no interference from E. coli
K12, Salmonella typhimurium, or S. aureus were detected at the aptamer-modified three-dimensional
interdigitated microelectrodes (3 μm in width and 4 μm in height) separated by insulating layers [153].
Antifouling properties of polyethylene glycol (PEG) in combination with its ability to inhibit the
electrode reactions of ferri/ferrocyanide [154] were used to detect down to 10 CFU mL−1 of uropathogenic
E. coli UTI89 in serum and urine at the Ab/reduced graphene oxide/polyethylenimine (PEI)-modified
electrodes (Ab immobilization via formation of amide bonds with PEI and further electrode modification
with pyrene-PEG) [155]. The biosensor discriminated wild type E. coli UTI89 from UTI89 Δfim strain.

4.2.2. Antimicrobial Peptides (AMP) Based Assays

AMP may be considered as peptide aptamer alternatives to Ab and oligonucleotide-based
apatmers [156]. Though their specificity for different bacterial cell strains may be lower, they can
provide the basis for broader platforms for the pathogen detection. AMP-modified micro-fabricated
interdigitated electrodes allowed 12–15 min detection of down to 103 CFU mL−1 of E. coli and
Salmonella [157]. AMP magainin I (GIGKFLHSAGKFGKAFVGEIMKS) bearing the net positive charge
was immobilized on gold interdigitated microelectrodes via the extra Cys residue introduced in
its C terminus and recognized a number of heat-killed pathogenic bacterial strains such as E. coli
O157:H7 and Salmonella. AMP was concluded to primarily interact with the negatively charged
phospholipids of Gram-negative bacterial membranes through the positively charged amino-acids
in its N-terminal region. Also, the insignificant affinity was shown for Gram-positive (lacking the
phospholipid-containing outer membrane) and non-pathogenic E. coli species (their cell walls miss
hydrophilic O antigens essential for electrostatic and hydrogen bonding).

4.2.3. Bacteriophages Based Assays

Bacteriophages (or simply phages) are another perspective bio-recognition element alternative to
Ab. Those are chemically and thermally stable viral nanoparticles capable of specific interactions with
host bacteria and their infection. Phages’ surface peptides display the aptamer properties towards
bacterial surface proteins, and these properties can be modulated and optimized both chemically and
genetically. Currently, phages are intensively explored in bacterial e-immunoassays as bio-recognition
capturing probes enabling not only specific binding but also discrimination between viable and dead
cells [158].

For intact bacterial sensing, phages are immobilized on electrodes by either physical adsorption,
resulting in random surface orientation of phages, or directed orientation approaches (Figure 3B).
Adsorption of E. coli-specific T4-phages on gold-nanorods-modified pencil graphite electrodes produced
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a biorecognition layer able of EIS detection of 103 CFU mL−1 of E. coli cells (no interference from
S. aureus) [159]. The EIS responses strongly depended on the reaction time, being maximal after
25–35 min of E. coli binding, and then dropped down because of bacterial lysis by the phage. To improve
the binding affinity of the phage SAMs, oriented T4-phage immobilization by its covalent binding
either to cysteamine or already activated 3,3′-dithiodipropionic acid di(N-hydroxysuccinimide) ester
was combined with the alternating electric field-modulation of the phage orientation. Such electrode
polarization increased the number of phages properly oriented for E. coli binding, which resulted in
the improved 100 CFU mL−1 LOD after 15 min binding reaction [160]. A very similar quantification
of Salmonella after 50 min of bacteria binding reaction was reported for the capacitive flow system
with polytyramine-modified gold electrodes modified with the covalently attached M13 phage
specific for Salmonella spp. [161] (Figure 3B). The sensor surface could be regenerated 40 times by the
alkaline treatment.

The cell-lytic properties of phages may interfere with reaching low LOD in bacterial analysis due
to the fast lysis of infected bacterial cells. The sensitivity of bacterial analysis can be improved by using
non-lytic phages, such as a non-lytic M13 phage that could recognize F+ pili of E. coli XL1-Blue and
K12 strains: it was covalently attached to 3-mercaptopropionic acid-modified AuNPs via EDC/NHS
chemistry [88]. That allowed increasing the time of the reaction between the immobilized phage and
E. coli cells, and 14 CFU mL−1 of E. coli was detected by EIS. Still, the best LODs obtained with AMPs
and phages do not approach those observed in the Ab- and aptamer- based e-immunoassays.

Along with that, lysis itself can be analytically useful. 103 CFU mL−1 of E. coli B were detected by
EIS, with no interference from the K strain, at the T2 phage-modified electrodes [144]. A T2 phage
specific for E. coli B strain was immobilized through its negatively charged head on the PEI/carbon
nanotubes–modified glassy carbon electrode positively polarized. Such polarization-directed
immobilization of the phage enabled selective binding of the targeted E. coli cells for a time sufficient
for bacterial cell infection and lysis by the phage that was impedimetrically detected.

4.3. Whole Cell Imprinted Polymer Sensors as Alternative to E-Immunoassays

Cell-imprinted polymers (CIP) are biomimetic synthetic Ab alternatives for e-immunoassays.
Turner’s group produced a CIP sensor based on electropolymerized 3-aminophenylboronic acid
(3-APBA) [162]. Polymerization of 3-APBA monomers lead to the formation of the cis-diol-boronic
group complex within the template matrix that facilitated reversible binding and easy release of the
trapped bacterial cells (upon subsequent regeneration) from the CIP. EIS responses of the CIP sensor
were proportional to log 103–107 CFU mL−1 of Staphylococcus epidermidis, and the sensor did not
respond to other similar shape bacteria species [162]. Impedimetric analysis with ferricyanide as a
redox indicator detected less than 1 CFU mL−1 of uropathogenic E. coli UTI89 bound to ultrathin silica
films prepared by sol-gel technology on gold-coated glass slides into which E. coli was imprinted
(signal linearity from 1 to 104 CFU mL−1), with S. aureus and Pseudomonas aeruginosa as negative
controls [145] (Figure 3C). No information about the time of the assay or analyzed sample volumes
versus the electrode size were reported for this very impressive assay, though. Thus, CIP can be an
inexpensive replacement for the biological recognition elements if produced/shown to be sufficiently
specific. Along with that, CIP may not provide the necessary specificity to discriminate between the
different strains of the same bacteria, since they rely mostly on the bacterial shape and size and less on
the bacterial surface peculiarities.

4.4. Electro-Optical Immunoassays

Combination of electrochemistry with an optical readout can further generate new POCT
devices with improved sensitivity for bacterial analysis. Abs for E. coli were coupled to films of
electropolymerized polyaniline (PANI) on ITO screen-printed electrodes, whose polarization changed
the PANI oxidation states and generated concomitant changes in the film color different for E. coli
bound and unbound films [146] (Figure 3D). Different electrochromic responses due to the presence
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of E. coli increasing the interfacial resistance and thus affecting the PANI oxidation states, allowed to
detect down to 102 CFU mL−1 of E. coli by the naked eye, while 10 CFU mL−1 could be detected by
a software.

Electrochemiluminescence (ECL) is another electro-optical approach that improves immunoassay’s
sensitivity by electrogenerated chemiluminescent signal amplification. Most convenient are sandwich
immunoassays with a secondary Ab labelled with Ru(II) tris(bipyridine) complex emitting light
after electrochemical stimulation with such co-reactant as tripropylamine [163,164] (analogues of
e-ELISA in which enzyme labels are replaced by a chemiluminescent reagent). 45 CFU mL−1 of
Francisella tularensis with Ab fragments as capture biomolecules could be detected in a fluidic chip
with screen-printed 42 Au electrodes array within a 30 min procedure [164], and down to 2.3 CFU
mL−1 of E. coli O157:H7 were detected in 2 h with the automated electroluminescent 48-well singleplex
plate sensor (250 μL samples) [163]. Additional 4 h sample pre-enrichment by ultrafiltration of 10 mL
samples further decreased the LOD to 0.12 CFU mL−1 [163]. Labelling of the secondary (reporter) Ab
with graphene oxide (GO) nanosheets forming multi-complex with Ru(bpy)2(phen-5-NH2)2+ allowed
a 1 CFU mL−1 analysis of Vibrio vulnificus in an overall 2.2 h assay [165]. This approach was referred to
as a Faraday-cage type, since the extended GO network enhanced the electron transfer exchange at the
electrodes and the intermolecular ECL efficiency by extending the electrode reaction zone.

The ECL amplification can also improve the outcome of the CIP-based e-immunoassays. E. coli
0157:H7 was imprinted into the polydopamine matrix by copolymerization, and further binding of
E. coli was followed from the ECL signals from the next-step bound E. coli Abs labelled with N-doped
graphene quantum nanodots (in reaction with potassium persulfate) [166]. From 10 to 107 CFU mL−1

were detected, with a LOD of 8 CFU mL−1.
Another type of ECL immunoassays for bacterial cells exploits the ECL signal inhibition

resulting from the electrode surface blockage with bacterial cells captured on the bioreceptor-modified
surface [167] (a principle similar to some already discussed e-immunoassays [84,148–151]). Binding of
E. coli to the aptamer-modified 3D N-doped high-surface-area graphene hydrogel was detected
by following the inhibition of the ECL signal from luminol (in the presence of H2O2) [167].
AgBr nanoparticles were used as a catalyst for enhancing the ECL of luminol. Down to 0.5 CFU mL−1

were detected in spiked buffer solutions after the 40 min E. coli binding reaction. No information was
provided on the E. coli strain or samples composition/volume, though. In another luminol-linked
assays, the PaP1 phage specific for Pseudomonas aeruginosa was covalently coupled to carboxylated
graphene casted on a glassy carbon electrode [168]. Down to 56 CFU mL−1 of P. aeruginosa was
analyzed by following the ECL signal from luminol that decreased after binding of the bacteria [168].
P. aeruginosa was quantified in milk and human urine in a 30 min assay.

Despite these impressive results, the adaptation of ECL analysis of bacteria for POCT or in-field
analysis seems to be not straightforward. Similarly to optical ELISA, it needs a quite complex read-out
equipment. The existing commercial ECL-enabling analyzers, such as Roche cobas® 6000 analyzers,
allow from 170 to 2170 test per h, but they are not yet adapted for bacterial sensing [169] and may be not
suitable for direct analysis in the blood. More portable devices are nevertheless being developed [164],
though their sensitivity should be further improved.

4.5. Electrochemical Immunoanalysis of Whole Cells with A Nanopore Technology

Perspective adaptations of the nanopore technology to whole cells electrochemical immunoanalysis
are based either on highly specific binding of bacterial cells to Ab [147] or on less specific binding to
an AMP [170] immobilized in the nanochannels of a porous alumina or silicon membrane. With this,
bacterial binding results in the nanochannels being partially blocked for the ion fluxes. In the first case,
E. coli binding blocked the nanochannels for the redox indicator reaction at 10 CFU mL−1; the viability
of cells was accessed with the same redox probe [147] (Figure 3E). In the second case, bacterial outer
membrane liposaccharides were recognized by the AMP [170]. The binding affected the diffusivity
of the redox indicator within the nanochannels and resulted in the drop of the voltammetric signal.
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Though no bacterial species were analyzed in this case, the assay was claimed to be generally applicable
for any Gram-negative bacteria detection [170].

Both strategies can be eventually adapted for the fast bacterial detection in easy-to-handle
microfluidic devices. The Ab–modified nano-porous alumina membrane integrated within the
microfluidic chip allowed the simultaneous, from 102 to 105 CFU mL−1, impedimetric detection of
E. coli 0157:H7 and S. aureus within ca. 40–50 min (30 min of incubation with bacteria, then washing
with a buffer solution, and execution of EIS analysis) [99] (Figure 3F). To prevent non-specific bacterial
adhesion, the internal surfaces of the device and the membrane were modified with PEG as an
anti-biofouling agent. However, despite the simplicity of the detection scheme and the overall set-up
design, the LOD of 100 CFU mL−1 seems to be too high for some immediate applications such as water
quality analysis (according to WHO, no E. coli cell should be present in any 100 mL of drinking water).

5. Future Perspectives

Bacterial detection is a dynamically developing field. Emerging new methods for rapid and
specific analysis of bacterial pathogens are already contributing to improving our life quality by
monitoring health risk situations and decreasing the incidences of illness. For example, during the last
decade, confirmed cases of Salmonella-caused illnesses have dropped by ca. 40%, due to significantly
improved quality of food analysis, with cases reported increased six-fold [171]. Along with that, due to
some inherent limitations regarding the bacterial assays’ time, sensitivity and often unaffordable for
some application cost, some human activity fields still challenge the bacterial sensor market.

There are complex analytical problems not solved yet in infection disease diagnostics and
environmental analysis, such as both fast and specific detection and quantification of a low number of
viable pathogens in clinical analysis of blood stream infections, or ultrasensitive, fast and inexpensive
water quality analysis in large-volume samples in the presence of excessive amounts of other bacterial
species. Fast, 1–5 min assaying of bacteria in inexpensive paper microfluidic [68] and LFI [108] devices
is extremely attractive for environmental analysis, but 100–300 CFU mL−1 LODs reported make those
immunosensors less suitable for ultrasensitive bacterial detection. In clinical analysis, from 1 to
100 CFU mL−1 of pathogenic species should be detected rapidly in blood samples for timely diagnosis
of bloodstream infections [11], and within several hours antibiotic susceptibility testing should be
performed. Despite the recent achievements, state-of-the art microfluidic systems for bacterial analysis
in the blood, with their 103 CFU mL−1 LOD, are not suitable for practical applications yet [172],
and current clinical analysis is still based on microbial culturing coupled with susceptibility tests;
both may last for several days to result.

Considering the recent reports discussed, electrochemical immunosensors for whole bacterial cells
can undoubtedly solve these problems, at low cost and by a constructive detector and instrumental
design friendly to minimally trained personnel. Impedimetric, label-free 40 min e-immunoassaying
of 7 CFU mL−1 [152] and 20 min e-ELISA of 50 CFU mL−1 of E. coli [98] in microfluidic devices are
promising examples of the devices for real worlds sample analysis. The same refers to the urease-linked
e-ELISA on MBs (12 CFU mL−1 2 h) [89] and cellulase-linked e-ELISA on MBs (1 CFU mL−1 in 3 h) [90].
Both can be adapted to microfludics and electrochemical LFI, whose electrochemical adaptations
are still scarce. Development of cheap electrochemical paper sensors [173,174] is another emerging
biosensor trend, and their combination with electrochemical immunomagnetic and phage-based assays
can deliver attractive practical solutions for cost-effective and efficient in-field/out-of-lab and POC
testing systems.

However, compared to the number of excellent publications, the number of commercialized
electrochemical immunosensors biosensors for bacterial pathogens is small. Development and
validation of bioelectronic sensor devices capable of efficient solving the real world analytical tasks
seems to be slow. Along with that, in addition to electrochemical Accu-Check (Roche Diagnostics, Basel,
Switzerland) and Free Style (Abbott Diabetes Care, Chicago, IL, USA) dominating the glucose biosensor
market today, Abbott Inc. introduced the e-ELISA platform iStat Systems for blood-circulating protein
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biomarkers of acute diseases, which becomes a breakthrough in the field of biosensors [175]. With that,
e-immunoassays start to slowly crowd the optical ELISA market and may be one day will force
it out with advanced electrochemical solutions addressing most urgent problems in the bacterial
analysis field.
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Abstract: Electrolyte-insulator-semiconductor (EIS) field-effect sensors belong to a new generation
of electronic chips for biochemical sensing, enabling a direct electronic readout. The review gives
an overview on recent advances and current trends in the research and development of chemical
sensors and biosensors based on the capacitive field-effect EIS structure—the simplest field-effect
device, which represents a biochemically sensitive capacitor. Fundamental concepts, physicochemical
phenomena underlying the transduction mechanism and application of capacitive EIS sensors for the
detection of pH, ion concentrations, and enzymatic reactions, as well as the label-free detection of
charged molecules (nucleic acids, proteins, and polyelectrolytes) and nanoparticles, are presented
and discussed.

Keywords: chemical sensor; biosensor; field effect; capacitive EIS sensor; pH sensor; enzyme
biosensor; label-free detection; charged molecules; DNA biosensor; protein detection

1. Introduction

Research in the field of biochemical sensors is one of the most fascinating and multidisciplinary
topics and has enormously increased over recent years. The global market for biosensor devices grows
rapidly and is expected to reach $20 billion by the year 2020 [1]. Due to the small size and weight,
fast response time, label-free operation, possibility of real-time and multiplexed measurements,
and compatibility with micro- and nanofabrication technologies with the future prospect of a
large-scale production at relatively low cost, semiconductor field-effect devices (FEDs) based on an
electrolyte-insulator-semiconductor (EIS) system are one of the most exciting approaches for chemical
and biological sensing. Ion-sensitive field-effect transistors (ISFET) [2–5], extended-gate ISFETs [6],
capacitive EIS sensors [7–9], light-addressable potentiometric sensors [10–13], silicon nanowire FETs
(SiNW-FET) [14–17], graphene-based FETs [18,19], and carbon nanotube-based FETs [18,20] constitute
typical examples of transducer structures for chemically/biologically sensitive FEDs. At present,
numerous FEDs modified with respective recognition elements have been developed for the detection of
pH, ion concentrations, substrate–enzyme reactions, nucleic acid hybridizations, and antigen–antibody
affinity reactions, just to name a few. Moreover, the possibility of an on-chip integration of FED arrays
with microfluidics make them very attractive for the creation of miniaturized analytical systems, such
as lab-on-a-chip or electronic tongue devices. The possible fields of the application of FED-based
chemical sensors and biosensors reach from point-of-care medicine, biotechnology, and environmental
monitoring over food and drug safety up to defense and homeland security purposes.

The simplest FED is the capacitive EIS structure, which represents a biochemically sensitive
capacitor. In contrast to conventional ISFETs or silicon nanowire FETs, capacitive EIS sensors are simple
in layout, easy, and cost-effective in fabrication (typically, without photolithographic or encapsulation
process steps). The present status report overviews recent advances and current trends in the research
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and development of chemical sensors and biosensors based on capacitive field-effect EIS structures.
The fundamental concepts, functioning principle, and application of EIS sensors for the detection of
pH, ion concentrations, and substrate–enzyme reactions, as well as the label-free detection of charged
molecules and nanoparticles, are presented and discussed. The paper also encompasses some key
developments of former works. For biochemical sensors based on other types of FEDs, the interested
reader is referred to reviews [19,21–25].

2. Functioning Principle and Measurement Modes of Capacitive EIS Sensors

Figure 1a schematically shows a typical layer structure of a capacitive EIS sensor and a simplified
electrical equivalent circuit. The EIS sensor consists of a semiconductor substrate (in this case, p-type
silicon) separated from the solution by a thin (10–100 nm) gate insulator layer (or stack of layers)
and a rear-side contact layer (e.g., Al). The gate insulator is assumed to be ideal—that is, no current
passes through the insulator. For the operation of EIS sensors, a gate voltage (VG) is applied between
the reference electrode (RE, e.g., conventional Ag/AgCl liquid-junction electrode) and the rear-side
contact to regulate the capacitance and set the working point; a small alternating voltage (~10–50 mV)
is superimposed to measure the capacitance of the structure. For a proper measurement, the reference
electrode should provide a stable potential independent of the pH value of the solution or concentration
of the dissolved species.

 

Figure 1. Layer structure of a capacitive electrolyte-insulator-semiconductor (EIS) sensor with different
receptor functionalities (pH-/ion-sensing, enzyme, antibody, and DNA) and simplified electrical
equivalent circuit (a); typical shape of high-frequency capacitance-voltage (C–V) curves (b); and
ConCap response (c) of the bare and modified p-type EIS sensor. RE: reference electrode, VG: gate
voltage, Ab: antibody, DNA: deoxyribonucleic acid, Ci: gate-insulator capacitance, CSC: space-charge
capacitance, ssDNA: single-stranded DNA.

The electrical equivalent circuit of the EIS sensor is complex and involves components related
to the semiconductor, gate insulator, electrolyte/insulator interface, bulk electrolyte, and reference
electrode [26,27]. However, for the usual range of a gate insulator thickness and appropriate
experimental conditions used (electrolyte solution with ionic strength of >0.1 mM and measurement
frequencies of <1 kHz), the equivalent circuit of an EIS sensor can be simplified as a series connection of
the gate-insulator capacitance, Ci, and the variable semiconductor space-charge capacitance, Csc (VG,ϕ),
which is, among others, a function of the gate voltage, VG, and the electrolyte–insulator interfacial
potential, ϕ [27]. Hence, the expression for the total capacitance, C, of the bare EIS sensor is given in
Equation (1):

C =
CiCsc(VG,ϕ)

Ci + Csc(VG,ϕ)
=

Ci

1 + Ci/Csc(VG,ϕ)
(1)

EIS sensors are basically characterized by means of the capacitance-voltage (C–V) and/or
constant-capacitance (ConCap) mode [28,29]. The typical shape of a high-frequency C–V curve
for a p-type EIS sensor with characteristic regions of accumulation, depletion, and inversion is
exemplarily shown in Figure 1b (black curve); note, an n-type EIS sensor exhibits an identical C-V
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curve; however, the voltage polarity is reversed. If a negative potential (VG < 0) is applied to
the gate, the positively charged holes (majority carriers) will be attracted and accumulated at the
semiconductor/insulator interface. In accumulation regime, Ci <<Csc(VG,ϕ), i.e., the overall capacitance
of the EIS structure is determined by the geometrical capacitance of the gate insulator, C = Ci, and,
thus, corresponds to its maximum capacitance.

When applying a small positive potential (VG > 0) to the gate, the holes will be pushed away
from the interface semiconductor/insulator. As a result, a space-charge region is formed at the
semiconductor/insulator interface, which is depleted of mobile carriers (so-called depletion region).
The width of the depletion layer is determined by different parameters, such as the applied voltage,
doping concentration within the semiconductor, dielectric constant, and insulator thickness. Increasing
the amplitude of the applied gate voltage results in an increase of the width of the depletion layer and,
consequently, to a decrease of the total capacitance. If the magnitude of the positive gate potential
is sufficiently high, the Fermi level bends below the intrinsic level: the concentration of electrons
near the semiconductor/insulator interface exceeds the hole concentration, i.e., a thin layer of n-type
silicon (so-called inversion layer) is formed, although the substrate is a p-type. By strong inversion, the
width of the depletion layer reaches its maximum, and the high-frequency total capacitance of the EIS
structure approaches its minimum value.

Equation (1) describes the total capacitance of the EIS sensor without defining the origin of
the potential generation at the interface electrolyte/insulator. When fixing the applied gate voltage,
VG, the only variable component is the interfacial potential, ϕ, which is analogous to the effect of
applying an additional voltage to the gate. Since FEDs are potential-/charge-sensitive devices, any
kind of chemical and/or electrical change at or nearby the interface electrolyte/gate can be detected
by the EIS sensor. Those changes can be induced by biochemical reactions, when the capacitive
field-effect sensor is functionalized with a particular chemical and/or biological recognition element,
such as a pH-sensitive layer, ionophore, enzyme, antibody, nucleic acid, etc. For (bio-)chemical sensor
applications and for investigating charge effects in such capacitive EIS structures, the shift of the C–V
curves along the voltage axis (ΔVG) in the depletion region (Figure 1b) is more important. The direction
of these potential shifts depends on the charge sign of the adsorbed chemical and/or biological species.
For example, in case of a p-type EIS structure, an increase of the analyte’s pH value or binding of the
negatively charged species to the gate surface will decrease the width of the depletion layer, yielding an
increase of the depletion capacitance in the Si. By this, the total capacitance of the sensor will increase,
and the C–V curve will shift to the direction of more positive (or less negative) gate voltages (Figure 1b,
blue curve). Conversely, a pH decrease or the electrostatic adsorption or binding of positively charged
species to the gate surface will lead to an increase of the width of the depletion layer; the space-charge
capacitance will decrease. As a consequence, the total capacitance of the EIS sensor will also decrease,
resulting in a shift of the C–V curve towards more negative (or less positive) gate voltages (Figure 1b,
red curve).

The amplitude, as well as the direction of potential shifts, can directly be determined from
dynamic ConCap-mode measurements (see Figure 1c). In addition, the ConCap mode enables real-time
monitoring of the sensor signal and investigation of the response time, drift, and hysteresis of the
EIS sensor. In the ConCap mode, the total capacitance of the EIS sensor at the working point is kept
constant by using a feedback circuit, which applies an instantly sign-inverted voltage to the EIS sensor.
Usually, the working point for the ConCap mode is set within the linear range of the depletion region
of the C–V curve.

In the following sections, an origin of different mechanisms of interfacial potential generation
(e.g., pH and ion-concentration changes, enzymatic reactions, adsorption, and binding of charged
molecules and nanoparticles) is described, which enables EIS devices to be sensitive to numerous
chemical and biological species, as well as to discuss the physicochemical phenomena underlying the
transduction mechanism of EIS-based chemical sensors and biosensors.
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3. Chemical Sensors and Biosensors Based on Capacitive EIS Structures

3.1. EIS pH Sensor

Field-effect pH sensors based on an EIS system detect potential (charge) changes at the
electrolyte/gate-insulator interface, resulting from the changes in the local or bulk pH. It is known that
the gate-insulator material in the first ISFET was SiO2, which is not the best pH-sensitive material,
having a low sensitivity, a narrow linear pH range, a relatively high drift, and a large hysteresis (see,
e.g., [9,30,31]). Therefore, other oxides, like Al2O3 [32–34], Ta2O5 [29,35,36], ZrO2 [37], HfO2 [38–41],
CeO2 [42], Gd2O3 [43,44], Ti-doped Gd2O3 [45], Lu2O3 [46], Nd2O3 [47], Yb2O3 [48], Dy2TiO5 [49],
Er2TiO5 [50], PbTiO3 [51], YTixOy [52], Tm2Ti2O7 [53], and barium strontium titanate (BST) [54–56],
as well as Si3N4 [32,57] and nanocrystalline diamond (NCD) [58], have been proven as pH-sensitive
gate insulators for EIS sensors. Some of the recent results, including the pH-sensitive material used,
deposition technique, pH sensitivity, pH range, drift, and hysteresis, are summarized in Table 1.

In most cases, these pH-sensitive materials are deposited on top of a SiO2 layer by means of
different deposition techniques (e.g., thermal oxidation, chemical vapor deposition, electron-beam
evaporation, sputtering, pulsed laser deposition, atomic layer deposition, and sol-gel technique), thus
forming a stacked gate insulator (e.g., SiO2–Si3N4, SiO2–Al2O3, or SiO2–Ta2O5). The upper layer of
the double-insulator structure typically serves as the pH-sensitive material, whereas the SiO2 layer
provides a stable Si-SiO2 interface with a low density of states.

The main parameters, which determine the analytical characteristics of the EIS pH sensors,
are sensitivity, selectivity, stability (or drift), linear pH range, hysteresis, and response time. Other
important parameters include the temperature stability, light insensitivity, reproducibility, and lifetime.
These characteristics are most thoroughly studied for Si3N4, Al2O3, and Ta2O5 layers, which belong to
the best pH-sensitive materials. At present, Si3N4, Al2O3, and Ta2O5 serve as pH-sensitive gate insulator
materials in commercial pH-ISFETs available from many companies producing electrochemical sensors.
Other more exotic pH-sensitive materials described in Table 1 sometimes show nearly Nernstian
sensitivity but have been only rarely studied.

At present, the generally accepted and successfully applied model describing the functional
mechanism of pH-sensitive FEDs with inorganic gate insulators (e.g., oxides and nitrides) is the
so-called site-binding model, which was originally developed to describe the charging mechanism
of oxide surfaces immersed in solution [59]. Due to the hydration, the surface of oxides contains
neutral amphoteric hydroxyl groups in the particular cases of Ta2O5 and TaOH groups. Dependent
on the pH value of the solution, these surface sites are either able to bind or release a proton (H+),
resulting in protonated (TaOH2

+) or deprotonated (TaO−) groups according to the following reactions
in Equations (2) and (3):

TaOH� TaO− + H+ (2)

TaOH2
+� TaOH + H+ (3)

At a pH range of pH > pHpzc, the oxide surface of the capacitive field-effect sensor will be
negatively charged, whereas at a pH regime with pH < pHpzc, it is positively charged; the value pHpzc

is defined as the pH value at the point of zero charge. Consequently, the pH-dependent surface charge
of the gate insulator will modulate the space-charge capacitance in the Si and, finally, the overall
capacitance of the capacitive field-effect structure. Note that, in contrast to oxides, the pH sensitivity
of Si3N4 can be explained by utilizing the modified site-binding theory. This theory considers the
presence of two different types of surface sites: SiOH (silanol) and SiNH (amine) groups [60].
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Table 1. Characteristics of electrolyte-insulator-semiconductor (EIS) pH sensors with different
pH-sensitive materials and deposition techniques.

pH-Sensitive
Material

Deposition
Method

pH
Sensitivity,

mV/pH
pH Range

Drift,
mV/h

Hysteresis,
mV

Reference

SiO2 LPCVD 41.5 2–10 19.6 19.4 [31]

SiO2
structured LPCVD 52 2–10 1 11 [31]

SiO2 textured
with SiO2
particles

TO of Si 43–54 4–10 16–40 5–6 [9]

SiO2 TO of Si 35–38 3–9 - - [30]

Si3N4 LPCVD 50 2–12 6 - [57]

Si3N4 LPCVD 50 3–12 4 21 [32]

Al2O3 ALD 55 3–12 5.5 - [33]

Al2O3 ALD 54.5 3–12 2 14 [32]

Al2O3 PLD 56 2–12 <1 3 [34]

Ta2O5 TO of Ta 57 ± 1.5 3–10 0.5 4 [29]

Ta2O5 TO of Ta 56 1–10 - 5 [35]

ZrO2 TO of Zr 50.6 2–10 - - [37]

HfO2 ALD 59.6 2–12 1 4.3 [41]

HfO2 RFS 51 2–10 1 25 [40]

HfO2 RFS 58.3 2–12 0.65 1.7 [39]

CeO2 RFS 58.8 2–12 1 6 [42]

Gd2O3 TO of Gd 53 2–10 5.4 - [43]

Gd2O3 RFS 55 2–10 1.2 - [44]

Ti-doped
Gd2O3

RFS 55 2–12 1.4 3.6 [45]

Lu2O3 RFS 56 2–12 1.3 2.2 [46]

Nd2O3 RFS 56 2–12 1.3 4.7 [47]

Yb2O3 RFS 55.5 2–12 1.5 3.8 [48]

BST sputtering 48–56 2–10 - - [54]

BST PLD 57.4 3–11 - 2 [56]

NCD MPECVD 54–57 4–11 - - [58]

Dy2TiO5
co-sputtering

Dy/Ti 57.6 2–12 0.4 0.2 [49]

Er2TiO5
co-sputtering

Er/Ti 58.4 2–12 1.2 4.6 [50]

PbTiO3 sol-gel 56–59 2–12 [51]

YTixOy sol-gel 58.5 2–12 0.1 2.6 [52]

Tm2Ti2O7
co-sputtering

Tm/Ti 59.4 2–12 2.4 0.6 [53]

BST: barium strontium titanate, NCD: nanocrystalline diamond, LPCVD: low-pressure chemical vapor deposition,
RFS: radio frequency sputtering, TO: thermal oxidation, ALD: atomic layer deposition, PLD: Pulsed laser deposition,
and MPECVD: microwave plasma-enhanced chemical vapor deposition.
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Commonly, the pH sensitivity of capacitive field-effect sensors is determined as the potential
change (ϕ) at the interface electrolyte/gate-insulator, referred to as the change in the bulk pH; see
Equations (4) and (5) [61]:

δϕ

δpH
= −2.3

kT
q
α, with (4)

α =
1(

2.3 kTCdi f f /q2βint
)
+ 1

(5)

In the equations, α represents a dimensionless sensitivity parameter that varies between 0 and 1,
βint is the surface intrinsic buffer capacity, which characterizes the ability of the oxide surface to release
or bind protons, Cdif is the differential double-layer capacitance (depending on the ion concentration
of the solution), k is the Boltzmann’s constant, T is the temperature, and q is the elementary charge
(1.6 × 10−19 C).

From Equations (4) and (5), the maximum Nernstian sensitivity (59.3 mV/pH at 25 ◦C) can be
obtained only if α ≈ 1, i.e., in the case of a large value of the surface-buffer capacity (high density of
surface-active sites) and a low value of the double-layer capacitance (low electrolyte concentration).
For materials with α < 1, a sub-Nernstian response can be expected. Thus, oxides with a high density of
the surface sites (e.g., Ta2O5 with ~1015 sites/cm2 or Al2O3 with 8 × 1014 sites/cm2 [61]) possess a high
pH sensitivity, whereas for SiO2 with less surface sites (5 × 1014 sites/cm2 [61]), a low pH sensitivity
could be expected that, in fact, was observed in experiments.

Determination of the pH value is one of the most important measurements in many fields,
including clinical diagnostics, biotechnology, food, pharmaceutical and cosmetic industries, agriculture,
environmental monitoring, water purification, etc. Currently, the most often used electrode is a
traditional pH glass membrane electrode. However, glass electrodes have two main problems, namely
the fragility of the glass membrane and easy fouling in aggressive media.

In comparison to pH glass electrodes, FEDs are often advertised due to their resistance to breakage
(unbreakable pH sensor). Therefore, breakable pH glass electrodes are gradually replaced by nonglass,
unbreakable pH-ISFETs in many in-line process-monitoring systems [62]. Besides being unbreakable,
often, additionally, those sensors must be CIP-(cleaning-in-place) or SIP-(sterilization-in-place) feasible.
According to [62], commercially available pH-ISFETs have a limited lifetime by CIP procedures,
which use highly caustic media and high temperatures to clean process vessels. Therefore, Schöning
et al. studied the CIP suitability of pH-sensitive Ta2O5 EIS sensors, where the Ta2O5 films were
fabricated by thermal oxidation of a Ta layer [29]. For these sensors, even after running 30 CIP cycles, a
nearly-Nernstian sensitivity of 57 ± 1.5 mV/pH was recorded. Note, each CIP cycle included cleaning
procedures in a 4% NaOH solution at 80 ◦C during 15 min and, subsequently, in 0.65% HNO3 solution
at 80 ◦C during 5 min. No visible degradation of the Ta2O5 films of the EIS sensors was observed.
These experiments demonstrated that, in addition to the high pH-sensitive behavior, Ta2O5 films have
also high corrosion-resistant properties. Such sensors can be placed in direct contact with food for pH
measurements without the risk of broken glass fragments. In further experiments, the authors also
demonstrated the suitability of Ta2O5-gate EIS structures for SIP procedures [63]. These sensors were
integrated into a lab-scale bioreactor and successfully tested for continuous pH monitoring during
cell-culture fermentation processes [64]. In addition, Ta2O5-gate EIS pH sensors were applied for
measuring the extracellular acidification rate of Escherichia coli upon glucose pulses [65]. Further
examples are EIS sensors with BST films as pH-sensitive material for the pH control in a biogas
digestate [56] or an estimation of the acid content in rancid butter samples with a Si3N4-gate EIS pH
sensor [66]. Finally, EIS pH sensors with Ta2O5 films prepared by radio frequency magnetron sputtering
were utilized for the real-time quantitative detection of DNA (deoxyribonucleic acid) amplification
via loop-mediated isothermal amplification [36]. Here, during the elongation reaction, protons are
produced (proportional to the number of nucleotides incorporated), thus resulting in a pH shift of the
surrounding solution that is detected by the EIS pH sensor.
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3.2. Ion-Sensitive EIS Sensors

EIS sensors selective towards ions other than protons can be obtained by modification of the
original gate insulator—for instance, with additional organic or inorganic ion-sensitive membranes,
suitable recognition molecules, or ion implantation. The easiest and most convenient method is
deposition (e.g., via spin-, dip-, or drop-coating techniques) of an ion-selective polymeric membrane
containing a respective ionophore atop the gate-insulator surface. Since the ion-sensitive membrane is
permeable for ions, generally, the ion-exchange process is responsible for the potential generation at
the electrolyte/membrane interface (given by the well-known Nernst or modified Nernst-Nikolsky
equation), which is detected by the EIS sensor. Principally, any membrane composition implemented in
conventional ion-selective electrodes can also be used in EIS sensors. Poly(vinyl chloride) is one of the
most commonly applied matrices for ionophore-containing membranes. For example, a K+-sensitive
EIS sensor consisting of a p–Si–SiO2–Si3N4 structure covered with a valinomycin (ionophore)-containing
poly(vinyl chloride) membrane was realized in [67]. Before membrane deposition, the Si3N4 surface
was silanized in order to suppress the intrinsic pH sensitivity of the Si3N4 layer and to reduce the
influence of the pH of the solution on the K+-sensitive response, as well as to improve the membrane
adhesion. Sensors exhibited a K+-sensitivity of 53 ± 2 mV/pK in a linear concentration range of
10−5–10−1 M, a lower detection limit of 5 × 10−6 M, a small hysteresis of ~2 mV, and a fast response
time of 5–12 s. The developed sensors were capable for K+-ion concentration measurements for at
least six months. In a further work, the authors studied the impact of the membrane impedance
on the characteristics of the K+-sensitive EIS sensor [68]. It was shown that a high series resistance
of the ion-sensitive membrane can lead to a frequency-dependent distortion of the C–V curves,
especially by measurements at high frequencies. In [69], an EIS calcium sensor was developed for
the determination of the risk of urinary stone formation. In this application, an Al–p–Si–SiO2–Ta2O5

structure was utilized that was modified with an ion-selective poly(vinyl chloride) membrane with
the Ca2+ ionophore ETH 1001. The EIS calcium sensor had a Ca2+ sensitivity of 27 ± 2 mV/pCa in
the concentration range of 0.1–10 mM and a lower detection limit of 0.01-mM Ca2+; its response
time was about ~30 s. Measurements in real test samples have been done for the determination of
the Ca2+ concentration in native urine. Another membrane (siloprene) containing trioctylphosphine
oxide as the ionophore deposited on a Si–SiO2–Si3N4 structure was utilized to realize an EIS sensor
sensitive towards hexavalent chromium (CrVI) [70]. A good selectivity, a quasi-Nernstian sensitivity
of 27.6 mV/pCr in the concentration range of 10−4–10−1 M Cr(VI), and a detection limit of 10−5 M
Cr(VI) was reported. More recently, a perchlorate anion (ClO4

−)-sensitive EIS sensor was developed by
modification of the HfO2 gate surface with a Co(II) phthalocyanine acrylate polymer (Co(II)Pc-AP) [71].

The main problems of ion-sensitive EIS sensors based on polymeric membranes are the poor
adhesion of the membrane to the gate surface and possible ionophore leakage, thus limiting the
sensor lifetime. These problems can be overcome by using ion-sensitive inorganic materials, which
can be deposited onto the gate surface by thin-film deposition techniques, being compatible with
semiconductor technology and, therefore, with the EIS fabrication. For example, a fluoride (F−)-selective
EIS sensor was developed by the thermal deposition of polycrystalline lanthanum fluoride (LaF3)
films on the SiO2 gate surface [72]. The sensor exhibited a high sensitivity of 52.3 mV/pF in the F−-ion
concentration range of 10−2–10−6 M, a relatively low hysteresis (5.1 mV), and a small drift (0.67 mV/h).

Due to the low solubility in water and the possibility of deposition and patterning of thin-film
membranes with various compositions by microelectronic techniques, chalcogenide-glass films are very
promising for the development of EIS sensors sensitive towards various heavy metal ions. For example,
EIS sensors with thin-film chalcogenide-glass membranes of CdSAgIAs2S3 and PbSAgIAs2S3 were
developed for the detection of Pb2+- and Cd2+ ions, respectively [73], which belong to the most toxic
species of superficial and ground waters. The chalcogenide-glass films were prepared onto the Ta2O5

gate surface by means of a pulsed laser deposition technique that enables the stoichiometric transfer
of these multicomponent materials from the original target to the sensor surface. The sensitivity to
Pb2+- and Cd2+ ions was 24 mV/pPb and 23 mV/pCd, respectively, in a linear concentration range of
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about 5 × 10−6–10−2 M. A detection limit of ~3 × 10−6 M and response time of 1 min was reported for
both sensors.

A completely other approach to make the gate surface ion-sensitive is based on its modification
via ion implantation—a technique also compatible with silicon technology. Moreover, multiple
membranes sensitive to various ions can be fabricated on the wafer level using multiple implants
and different photolithographic masks. The ion-implantation technique was applied to develop
Na+-- and K+-sensitive EIS sensors by implanting Na+ or K+ ions into the oxidized silicon nitride
through an Al buffer layer [74,75]. Although, these sensors demonstrate good sensitivity (52 mV/pNa
and 49 mV/pK [75]), the response to interfering ions and pH was non-negligible, evidencing a poor
selectivity of implanted ion-sensitive layers. Finally, several types of EIS sensors sensitive towards
Ni2+ [76], Cu2+ [77], and Hg2+ [78] were realized via the deposition of ion-recognition molecules
(macrocyclic compounds such as calixarenes [79]) directly onto the gate surface.

3.3. Enzyme-Modified EIS Biosensors

Due to their catalytic activity, enzymes are frequently used as bioreceptors. Enzyme-modified
capacitive EIS (EnEIS) biosensors are typically constructed via the immobilization of enzymes onto the
gate surface. In general, the operation principle of an EnEIS biosensor can be explained as follows:
During the enzymatic reaction of the enzyme with its substrate, either reactants are consumed or
products are generated; this concentration change is detected by the EIS sensor. A vast majority of
EnEIS biosensors are built up of pH-sensitive EIS structures, which detect hydrogen ions produced or
consumed during the enzymatic reaction. Equations (6) and (7) present typical examples of enzymatic
reactions generating hydrogen ions (pH decrease) and consuming hydrogen ions (pH increase) by
using penicillin/penicillinase and urea/urease as the model substrate/enzyme system:

penicillinase
penicillin + H2O→ penicilloic acid + H+

(6)

urease
NH2-CO-NH2 (urea) + 2H2O + H+→ 2NH4

+ + HCO3
− (7)

For example, in the case of a penicillin-sensitive EnEIS biosensor, the enzyme penicillinase
catalyzes the hydrolysis of penicillin to penicilloic acid, yielding an increase of the H+-ion concentration
near the gate region of the EIS sensor. A resulting local pH change near the surface of the pH-sensitive
layer will alter the gate-surface charge (similar to the pH-sensitive EIS sensors described in Section 3.1),
which, in turn, will modulate the space-charge capacitance in the Si and, consequently, the total
capacitance of the EnEIS biosensor. Hence, the amplitude of the output signal of the biosensor will be
determined by the concentration of penicillin in the sample solution. Owing to the described working
principle, a large sensor signal and high analyte sensitivity can be expected for EnEIS structures with
gate-insulator materials exhibiting a high pH sensitivity, as well as by measurements in low buffer
capacity solutions.

The choice of the appropriate enzyme immobilization strategy is essential for the development
of enzyme biosensors with good performance (high sensitivity, selectivity, operational and storage
stability, and fast response time) and represents one of the most critical points for the construction
of EnEIS biosensors. Therefore, a broad spectrum of enzyme immobilization methods, such as
physical adsorption, the layer-by-layer (LbL) technique, covalent binding, crosslinking, affinity
coupling, entrapment within a polymeric membrane or hydrogel beads, etc., has been utilized. Each of
these immobilization strategies has its own pros and cons. Common drawbacks are often a low or
unreproducible enzyme-surface density, as well as the necessity of complicated surface functionalization
or modification procedures.

At present, a large group of EnEIS biosensors by applying various gate materials, enzyme
membrane compositions, or immobilization methods have been developed for the detection

446



Sensors 2020, 20, 5639

of different analytes such as acetoin [80], creatinine [81–83], cyanide [84], formaldehyde [85],
glucose [53,81,82,86–95], pesticides of paraoxon [96] and atrazine [97], antibiotics of ampicillin,
amoxicillin [98], and penicillin [58,98–103], triglycerides [66], and urea [82,89–92,95,104–111]. Some
recent developments are summarized in Table 2.

Table 2. Typical characteristics of enzyme-modified capacitive EIS (EnEIS) biosensors.

Analyte/Enzyme pH Layer Immobilization Sensitivity
Detection

Range, mM
LDL,
μM

Ref.

acetoin/AR Ta2O5 crosslinking 65 mV/dec 0.01–0.1 - [80]

creatinine/creatinine
deaminase Dy2TiO5

covalent on magnetic
bead

22–29
mV/dec 0.01–10 - [81]

creatinine/creatinine
deaminase Dy2TiO5

entrapment in
alginate bead 105 mV/dec 0.01–10 1 [82]

creatinine/creatinine
deaminase Tm2Ti2O7

entrapment in
alginate gel 82 mV/dec 0.01–15 - [83]

cyanide/cyanidase Ta2O5 covalent 4 mV/dec 0.001–10 - [84]

formaldehyde/FDH Si3N4 entrapment 31 mV/dec 0.01–20 10 [85]

glucose/GOx Dy2TiO5
entrapment in
alginate bead 12 mV/mM 2–8 62 [82]

glucose/GOx Ta2O5
LbL,

PAH/ZnO/CNT/GOx 12 mV/dec 0.5–20 - [92]

glucose/GOx ZnO crosslinking 3.1 V/mM 2–7 - [89]

glucose/GOx Tm2Ti2O7
encapsulation within

hydrogel 14.7 mV/mM 2–8 - [53]

glucose/GOx Mg/ZnO crosslinking 10.7 mV/mM 2–7 - [95]

paraoxon/OPH Ta2O5 crosslinking ~1 mV/μM 0.002–0.05 2 [96]

penicillin/PEN Ta2O5
LbL,

PAMAM/CNT/PEN 100 mV/dec 0.025–25 25 [94]

penicillin/PEN NCD adsorptive 85 mV/dec 0.005–2.5 5 [58]

penicillin/PEN SiO2 LbL, PAH/PENe 100 mV//dec 0.025–10 20 [101]

Penicillin/PEN Ta2O5 adsorptive 46 mV/dec 0.05–10 50 [102]

penicillin/PEN Ta2O5 TMV nanocarrier 92 mV/dec 0.1–10 50 [103]

urea/urease SiO2
LbL,

Fe3O4-NP/PE/urease 32 mV/dec 0.1–100 100 [104]

urea/urease Mg/ZnO crosslinking 8.4 mV/mM 2–32 - [95]

urea/urease Dy2TiO5
entrapment in

alginate gel 118 mV/dec 1–32 - [105]

urea/urease Ta2O5
LbL PAMAM/CNT/

urease/CNT 33 mV/dec 0.1–100 - [106]

urea/urease HfO2 crosslinking 117 mV/dec 0.1–10 - [107]

NCD: nanocrystalline diamond, dec: decade, LbL: layer-by-layer, PAH: poly(allylamine hydrochloride), PAMAM:
polyamidoamine dendrimer, CNT: carbon nanotube, GOx: glucose oxidase, AR: acetoin reductase, OPH:
organophosphorus hydrolase, FDH: formaldehyde dehydrogenase, PEN: penicillinase, NP: nanoparticle, PE:
polyelectrolyte, TMV: tobacco mosaic virus, and LDL: lower detection limit.

During the last years, several new pH-sensitive gate materials and enzyme immobilization
strategies have been proposed to improve the working parameters of EnEIS biosensors. Examples
are the adsorption of enzymes onto or within a LbL-deposited dendrimer/carbon nanotube
(CNT) multilayer [99,106], the functionalization of EIS sensors with gold [86,112] or magnetic
nanoparticles [81,88,104] covered with immobilized enzymes, and the encapsulation of enzymes within
alginate beads or a gel layer [82,93,105,108]. In addition, a novel strategy for enhanced field-effect
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biosensing utilizing capacitive EIS devices modified with a pH-responsive weak polyelectrolyte
(PE)/enzyme multilayer was proposed in [101]. The EnEIS biosensor responds to both the local
pH change near the gate surface induced via the enzymatic reaction and the pH-dependent charge
changes of weak PE macromolecules, resulting in a large sensor signal and higher analyte sensitivity
(see Figure 2). Moreover, by the incorporation of enzymes within a multilayer, a larger amount of
immobilized enzymes per active sensor area, reduced enzyme-leaching effects, and an enhanced
biosensor lifetime can be expected.

Figure 2. Functioning principle of a penicillin-sensitive EIS biosensor modified with a pH-responsive
weak polyelectrolyte (PE)/enzyme multilayer: schematic structure (left), enzymatic reaction of the
catalyzed hydrolysis of penicillin by the enzyme penicillinase (middle), and expected shift of the C-V
curves of the EIS sensor (right). ΔVS: shift of the C–V curve due to local pH change near the gate
surface induced via the enzymatic reaction and ΔVPAH: additional shift of the C–V curve induced
by charge changes of weak PE macromolecules. Reproduced from Ref. [113] with permission from
Springer International Publishing.

This generic concept was demonstrated by developing a penicillin-sensitive EnEIS biosensor based
on a capacitive p–Si–SiO2 structure functionalized with a LbL-prepared poly(allylamine hydrochloride)
(PAH)/penicillinase multilayer. The developed penicillin biosensor possesses a high sensitivity of
100 mV/dec in a linear range of 25 μM–10 mM and a low detection limit of 20 μM [101]. The loss
of penicillin sensitivity after two months was about 10%. A similar strategy was used in [106]
for the development of a urea biosensor based on a Ta2O5-gate EIS structure modified with a
dendrimer/CNT/urease/CNT LbL multilayer. The sensor arrangement with the enzyme urease
sandwiched between two CNT layers showed an approximately two-fold higher urea sensitivity in
comparison to an arrangement with the enzyme urease immobilized atop of the dendrimer/CNT
multilayer. To increase the dynamic range of urea detection (0.1–100 mM), the EIS sensor surface
was covered with ferric oxide (Fe3O4) magnetic nanoparticles modified with a LbL multilayer of
PAH/PSS (poly(sodium 4-styrenesulfonate))/PAH/urease [104]. The immobilization of enzymes on
magnetic beads was also applied for the development of glucose- and creatinine-sensitive EnEIS
biosensors [81]. The enzymes glucose oxidase or creatinine deaminase were covalently immobilized on
the magnetic beads, and then, the beads were positioned (via an external magnetic force) on the surface
of a Dy2TiO5-gate EIS sensor integrated within a microfluidic chip. In further works, the alginate
microbead-containing magnetic particles were used as enzyme carriers for the creation of EIS-based
glucose, creatinine, and urea biosensors (see Figure 3) [82,93].

The alginate microbeads with embedded magnetic particles and the enzymes glucose oxidase or
creatinine deaminase or urease were positioned onto the pH-sensitive Dy2TiO5 gate via an external
magnet. The main advantages of this approach are the capability for detection of multiple analytes
using the same sensor chip and possibility of replacing alginate microbeads by new beads once the
encapsulated enzyme is consumed.
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Figure 3. Operating principle of a microfluidic chip. Enzyme-carrying alginate microbeads are
immobilized on the EIS-sensor surface by means of an external magnetic field. The sample is injected
into the microchannel and reacts with the enzyme contained in alginate beads. The change in potential
on the sensor surface induced by the release of hydrogen ions during the reaction process is measured.
Reproduced from Ref. [82] with permission of Elsevier.

Another concept for a reusable EnEIS glucose biosensor using a disposable hydrogel/enzyme
layer was proposed in [53]. Here, the Tm2Ti2O7-gate surface was covered by a thermosensitive
poly(N-isopropylacrylamide) hydrogel layer containing the enzyme glucose oxidase. Owing to the
phase-tunable characteristics of the hydrogel, the enzyme/hydrogel film was easily loaded onto the
surface of the EIS transducer at an increased temperature and then, after measurements, completely
removed from the surface by decreasing its temperature, while the EIS sensor underneath was preserved.

More recently, a novel promising approach for the development of EnEIS biosensors was described
in [103,114], where a highly sensitive penicillin biosensor with a superior lifetime was realized by means
of modification of a Ta2O5-gate EIS structure with tobacco mosaic virus (TMV) particles as scaffolds
for the dense immobilization of enzymes. The TMV has a nanotube-like structure with an average
length of 300 nm, an outer diameter of 18 nm, and an internal channel of 4 nm in diameter [115,116].
The TMV surface holds thousands of sites capable for the coupling of various biological receptors,
including enzymes. The enzyme penicillinase was immobilized onto the biotinylated TMV surface
via a bio-affinity binding of commercially available streptavidin–penicillinase conjugates to biotin.
Figure 4 shows the schematic structure of the EnEIS biosensor modified with TMV particles as enzyme
nanocarriers (a), a scanning electron microscopy image of TMV particles on the Ta2O5 surface (b),
and the sensor signal in buffer solution with different penicillin concentrations (c).

The biosensor had a high penicillin sensitivity of ~92 mV/mM in the linear range of 0.1–10 mM, a
low detection limit of 50 μM, and an exceptional long-term stability of at least one year. Most likely,
this novel approach may be adapted to other enzymes. The results obtained in [103] demonstrate a
great potential for the integration of plant virus/receptor nanohybrids with electronic chips, thereby
opening new opportunities in advanced biosensing technologies.

The existing enzyme-layer deposition methods often apply manual techniques (e.g., dip- or
drop-coating), which are simple but poorly reproducible and relatively time-consuming. Advanced
multisensor array and biochip technologies require the controlled and spatially resolved immobilization
of a defined amount of biomolecules on the particular transducer surface. Therefore, a nano-spotter,
a device for noncontact ultra-low volume dispensing, has been examined for spatially resolved
deposition of the enzyme penicillinase onto the Ta2O5-gate surface of an EIS structure [102,117].
The nano-spotted penicillin biosensor exhibited identical sensing characteristics (in terms of sensitivity,
linear range, and lower and upper detection limit) as the drop-coated EIS sensor counterpart. However,
the advantage of nano-spotting is its capability for creating an array of patterned micro-spots
immobilized with various enzymes.
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Figure 4. Schematic structure of an enzyme-modified capacitive EIS (EnEIS) biosensor modified with
tobacco mosaic virus (TMV) particles as enzyme nanocarriers (a), scanning electron microscopy image of
TMV particles on the Ta2O5 surface (b), and the sensor signal in buffer solution with different penicillin
concentrations (c). Adapted from Ref. [103] with permission of Elsevier.

An evaluation of the results on EnEIS biosensors reported in the literature and partially included
in Table 2 reveals that a direct comparison of their basic working characteristics is difficult because
of different gate insulators, enzyme-immobilization methods, enzyme activity, or buffer capacity
used. Typical problems of EnEIS biosensors are similar to that of enzyme-modified FETs and include,
for instance, the rather narrow linear measurement range, the detection limit, the relatively slow
response, and the dependence of the sensor signal on the enzyme-immobilization method, buffer
capacity, and pH value of the test sample. There are only a few papers, where the hysteresis effect,
operational and storage stability, reproducibility, and lifetime of EnEIS biosensors have been discussed.
Although, during the last years, a number of technological solutions have been proposed and tested
to solve these problems and to improve the working parameters of EnEIS biosensors, their transfer
from research laboratories to real-life applications remains rather slow. Some examples for practical
applications include EnEIS biosensors for the detection of glucose [81,82,87], creatinine [81,82], urea [82],
and total triglyceride level [66] in human serum, glucose level in whole blood [88], acetoin in diluted
white wine samples [80], and penicillin in bovine milk [103].

Another application field of EnEIS biosensors is their use in enzyme-based logic gates that mimic the
working principle of electronic logic gates—basic elements of conventional computing. An integration
of biomolecular—in particular, enzyme logic principles—with electronic transducers could facilitate
novel digital biosensors with a logic output signal in YES/NO format, logically triggered actuators
and drug-release devices, and even intelligent closed-loop sense/act/treat systems with enormous
potential in advanced point-of-care diagnostics, personalized medicine, and theranostics [118–124].
The possibility of interfacing of enzyme logic gates with FEDs was first demonstrated in [125], where a
capacitive field-effect EIS sensor consisting of an Al–p–Si–SiO2 structure modified with pH-responsive
gold nanoparticles (AuNP) was applied for designing single AND and OR logic gates. The operation of
EIS-based enzyme logic gates developed in [125] was based on bulk pH changes induced by biochemical
reactions activated by different combinations of chemical input signals (substrates). The enzymatic
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part of the system is responsible for sensing of the chemical signals and their logic treatment. As a
result of bulk pH changes, the EIS sensor generates an electronic signal corresponding to the logic
output produced by the enzymes.

The first example demonstrating the successful transfer of biomolecular logic principles from the
bulk solution to the surface of FEDs was reported in [126], where AND-Reset and OR-Reset logic
gates were realized by immobilizing multi-enzymes onto Ta2O5-gate EIS structures via entrapment
within a polymeric membrane. In contrast to [125], the operation of these enzyme logic gates is based
on local pH changes induced by an enzymatic reaction (or cascade of reactions), while the pH value of
the bulk solution remains practically unchanged. Thereby, multiple enzyme logic gates, or even logic
systems working in the same solution, as well as individual addressing and switching of the respective
logic gates, is possible. In further works, other enzyme logic gates such as AND-Reset and OR-Reset

gates with an integrated Reset function, Controlled NOT (CNOT), and XOR were developed by
immobilization or physical adsorption of multi-enzymes onto Ta2O5-gate EIS structures [127–129],
demonstrating the successful interfacing of enzyme logic principles with semiconductor FEDs.

3.4. Label-Free Detection of Charged Molecules

The detection of adsorption and binding of charged molecules is of great interest for numerous
application fields, ranging from clinical diagnostics, environmental monitoring, genetics and the drug
industry over biosensors, DNA-chips, and protein-microarray technology up to the fundamental
studies of molecular interactions at the solid/liquid interface. Since, in the majority of cases, biological
molecules are difficult to detect via their intrinsic physical properties, biosensors often require the
labeling of target analytes with different markers or reagents (e.g., enzymatic, redox, or fluorescent) to
facilitate the signal readout. In spite of their high sensitivity, label-based techniques suffer from the
fact of being time-consuming and labor- and cost-intensive. For the development of fast, simple, and
inexpensive biosensors, label-free technologies, which utilize intrinsic physical properties of the analyte
molecule to be detected (e.g., charge, electrical impedance, molecular weight, dielectric permittivity,
or refractive index), are more favorable.

Since EIS sensors represent charge-sensitive devices (see discussion in Section 2), they can
also detect any kind of charged molecules adsorbed or bound onto their gate surface. This way,
the coupling of charged molecules, nanoparticles, and even inorganic/organic nanohybrids onto
capacitive field-effect sensors is a very promising strategy to actively tune their electrochemical
properties, especially with regards to label-free biosensing. Recent examples towards the label-free,
direct electrical detection with the help of capacitive EIS sensors consider various kinds of charged
molecules [7,27,130–132] and charged nanoobjects (nanoparticles and nanotubes) [112,113,133,134].
In this section, key developments of label-free EIS biosensors will be introduced, which mainly focus
on electrostatic DNA detection, the detection of proteins, and oppositely charged PE macromolecules;
all of them are monitored by their intrinsic molecular charge. In addition, nanoparticle-modified EIS
sensors will be presented.

3.4.1. Detection of DNA Molecules

In recent years, DNA biosensors have been increasingly recognized as powerful tools in many fields
of application, including molecular diagnostics, pathogen identification, drug screening, food safety,
forensic and parental testing, or detecting biowarfare agents. The vast majority of DNA-modified EIS
(DNA-EIS) biosensors reported in the literature is based on detecting a DNA-hybridization reaction [7,
27,135–138], although the detection of single-stranded DNA (ssDNA) [8,132] and double-stranded
DNA (dsDNA) [132,139–141], as well as other DNA-recognition events, like single-base mismatch [130],
the by-product (protons) of the nucleotide base incorporation reaction [36], and DNA amplification by
polymerase chain reaction (PCR) [139,140,142–144], have been demonstrated as well.

To our knowledge, the first successful experiment on DNA-hybridization detection with an
EIS structure using synthetic homo-oligomers as a model system was reported in [145]. During
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the DNA-hybridization event, the probe ssDNA molecules with known sequences identified their
complementary target DNA molecules (cDNA), and a dsDNA helix structure with two complementary
strands was formed. The hybridization reaction was highly efficient and specific, even in the
presence of noncomplementary nucleic acids. Usually, capacitive DNA-EIS biosensors detect the
hybridization event on-chip: First, probe ssDNA molecules (of known sequences) are immobilized
onto the gate surface; this is done by, e.g., adsorption [130,132,137] or covalent attachment [27,146].
In the next step, the target cDNA molecules are detected by in-situ real-time monitoring or ex situ.
For in-situ real-time monitoring, the sensor signal is directly recorded during the hybridization
process [130], whereas, for ex-situ detection, the response of the EIS sensor is compared before and
after hybridization [7,132,135,137]. Capacitive EIS sensors detect DNA molecules electrostatically by
their intrinsic molecular charge. During the hybridization process, the negatively charged (due to
the phosphate-sugar backbone) target cDNA molecules will effectively alter the charge applied to
the gate surface of the EIS sensor, which, in turn, will modulate the space-charge distribution in the
semiconductor and capacitance of the EIS structure.

One obstacle of all kinds of FEDs—also including DNA-EIS biosensors for electrostatic DNA
detection—is the screening of the DNA charge by mobile counter ions in the surrounding solution.
Capacitive field-effect sensors are able to detect charge/potential changes occurring directly at the gate
surface or within the order of the Debye length from the surface; note, the Debye length is inversely
proportional to the ionic strength of the analyte (e.g., in physiological solutions (~150 mM), it amounts
to ~0.8 nm [22]). In the case of DNA molecules tethered to the gate surface, the DNA charge is not
confined directly to the interface, but it is distributed through some distance away from the surface,
which depends on the DNA length. As it was discussed in [147], the effectivity of electrostatic coupling
between the DNA charge and gate surface and, thus, the generated DNA-hybridization sensor signal
will strongly drop with increased distance between the DNA charge and gate surface. The use of
additional long linker molecules for ssDNA immobilization could also result in a smaller hybridization
signal. In contrast, if DNA molecules preferentially lie flat on the gate surface of the capacitive EIS
sensor, a higher hybridization signal can be expected. Therefore, in addition to the ionic strength
of the solution, the orientation of DNA molecules to the sensor surface has a strong impact on the
expected DNA-hybridization signal [147–149]; the method of immobilization of probe ssDNA must be
tailored correspondingly.

To achieve a high hybridization efficiency, the DNA hybridization is typically performed in a
high-ionic strength solution, while the changes in the sensor signal induced by the DNA immobilization
or hybridization are often read out in a low-ionic strength solution in order to reduce the Debye
screening effect and, thus, to enhance the sensor performance [135,137,146]. A post-hybridization
binding of intercalators or DNA binders to dsDNA molecules may be an effective way to distinguish
the hybridization signal from an undesirable background noise caused by the nonspecific adsorption
of target cDNA molecules. This way, a more accurate and reliable detection of the hybridization
event with EIS structures can be achieved [146]. Since DNA binders react specifically with dsDNA,
the changes in the sensor signal due to the binders could serve as an indicator to verify the successful
hybridization process.

Besides the measurement of the DNA-hybridization signal in a low-ionic strength solution,
reducing the distance between the DNA charge and sensor surface via the immobilization of DNA
molecules flat to the EIS surface with a molecular charge lying within the Debye length from the gate
surface is an essential factor to enhance the sensitivity of the DNA sensor. A direct adsorption of DNA
molecules onto the EIS surface is, in general, hindered because of electrostatic repulsion forces between
the negatively charged phosphate groups of the DNA and the negatively charged surface of the gate
insulators typically used in EIS structures (e.g., SiO2 and Ta2O5). Therefore, an electrostatic adsorption
of probe ssDNA molecules onto the EIS surface modified with a LBL-prepared positively charged
PE layer and subsequent hybridization with cDNA molecules becomes more popular for designing
DNA-EIS biosensors [130,132,137,141]. It is suggested that electrostatically adsorbed probe ssDNA

452



Sensors 2020, 20, 5639

molecules will be preferentially flat-oriented to the gate surface, with negatively charged phosphate
groups directed to the cationic PE macromolecules, while the nucleobases will be exposed to the
surrounding solution, allowing hybridization with the target cDNA molecules. In addition, due to
the presence of a cationic PE layer, both the Debye screening effect and the electrostatic repulsion
between probe ssDNA and target cDNA molecules will be less effective, resulting in an acceleration of
the hybridization event, as well as a higher hybridization signal. Moreover, in contrast to frequently
used, time-consuming, and cost-intensive covalent immobilization techniques, the LbL electrostatic
adsorption method is easy, fast, and does not require complicated procedures for the functionalization of
the gate surface and/or probe ssDNA molecules. For example, poly-L-lysine (PLL)-modified SiO2-gate
EIS sensors were utilized for the detection of ssDNA immobilization and the DNA-hybridization
process [130]. Although the sensor was able to detect low concentrations (2 nM) of target cDNA
oligonucleotides (12-mer), the hybridization signal was small (several mVs). In further experiments,
these EIS sensors were applied for monitoring PCR-amplified dsDNA [139,142]. Recently, in our group,
the feasibility for the label-free electrical detection of DNA with capacitive SiO2-gate EIS sensors, which
were modified with a positively charged weak PE of PAH, was demonstrated [132,137,141,144]. Figure 5
schematically shows the EIS-sensor surface before and after modification with PAH, probe ssDNA,
and after cDNA hybridization; the measurement setup; and the expected ConCap response. High
hybridization signals of 34 mV and 43 mV were recorded in low-ionic strength solutions of 10 mM and
1 mM, respectively [137]. In contrast, a small response of 4 mV was registered in the case of unspecific
adsorption of fully mismatched DNA. These experiments demonstrated the specificity of the developed
EIS sensor capable of distinguishing the complementary cDNA from fully mismatched DNA.

 

Figure 5. Modification steps of the EIS sensor, measurement setup (middle column, top), and
expected ConCap response (middle column, bottom). (1) Unmodified sensor, (2) after poly(allylamine
hydrochloride) (PAH) adsorption, (3) after single-stranded DNA (ssDNA) immobilization, and (4) after
complementary target DNA (cDNA) hybridization. + and − symbols indicate the respective surface
charges. Reproduced from Ref. [144] with permission of the American Chemical Society.

In a further work, PAH-modified EIS sensors were applied for the direct label-free electrical
detection of dsDNA formed after a hybridization reaction occurred in the solution (so-called in-solution
hybridization) for the first time [141]. Direct dsDNA detection could significantly simplify the surface
modification procedure (because no probe ssDNA has to be immobilized onto the sensor surface) and,

453



Sensors 2020, 20, 5639

thus, may reduce the detection time and costs. Finally, the ability of PAH-modified EIS chips for the
detection of PCR-amplified tuberculosis DNA fragments was demonstrated in [144]. The sensitivity of
the sensor in artificial PCR solutions with different target cDNA (72-mer) concentrations from 1 nM
to 5 μM was 7.2 mV/decade, with an estimated lower detection limit of ~0.3-nM cDNA. Such chips
could serve as a sensing device for a quick verification of successful/unsuccessful DNA amplification
by means of PCR.

Label-free field-effect DNA biosensors are typically disposable devices for a single-use
measurement. To make DNA biosensors reusable, the complex surface/interface architecture should be
regenerated, which is, in general, a complicated and time-consuming procedure [150]. On the other
hand, it was reported that the surface of PE-modified DNA-EIS chips can be easily regenerated, making
them suitable for multiple DNA immobilization and hybridization experiments [130,132,139]. As one
example, the reusability of capacitive EIS sensors modified with PAH was examined for the detection of
a ssDNA on-chip DNA hybridization event, as well as in-solution hybridized dsDNA molecules [132].
It has been demonstrated that the same biosensor can be reused for at least five DNA-detection
measurements. For the experimental procedure, the simple regeneration of the gate surface of the EIS
chip (covered with PAH/ssDNA or PAH/dsDNA layers) was realized by the electrostatic adsorption
of a new positively charged PAH layer onto the negatively charged DNA layer. The performed
experiment with the PAH-modified EIS sensors also allowed to investigate the impact of the Debye
screening effect on the DNA immobilization and hybridization signal: the sensor response of the
capacitive EIS sensor induced by the immobilization of ssDNA and dsDNA, as well as after the on-chip
hybridization of cDNA, were recorded in solutions with different ionic strengths of 1 mM, 5 mM,
10 mM, and 20 mM. The evaluated Debye lengths amounted to approximately 9.6 nm, 4.3 nm, 3 nm,
and 2.2 nm, respectively. The results of these experiments verified the assumption that, due to the
more efficient screening of the DNA charge by counter ions, the amplitude of the DNA-immobilization
and hybridization signal will decrease when increasing the ionic strength of the solution. For example,
the on-chip cDNA-hybridization signal was reduced from 52 mV to 33 mV by increasing the ionic
strength of the measuring solution from 1 mM to 20 mM [132].

The modeling of DNA-modified FEDs (DNA-FED), including DNA-EIS biosensors, is beneficial
for understanding the mechanism of label-free DNA detection and for the optimization of device
characteristics. Due to the high complexity of the DNA-modified gate insulator/electrolyte interface,
to date, there are no exact theoretical models describing the functioning of DNA-FEDs taking into
account all interfering factors. In addition to the counter-ion screening effect, other factors, like the
orientation, length, and surface density of DNA molecules, charge distribution within the intermolecular
spaces, distance between the DNA charge and the gate-insulator surface, gate surface-charge, etc., play
a crucial role in converting the hybridization event to an electrical signal. Hence, several simplified
theoretical models for DNA-FEDs were suggested and discussed. For example, a charge-plane model
that takes into consideration both the Debye-screening length and the distance between the DNA
charge and the gate surface was proposed in [135]. In another approach, in order to simulate the
sensitive behavior of a DNA-FED, the DNA layer was modeled as an ion-permeable membrane [151].
The interplay between pH-, ion-, and charge sensitivity of FEDs modified with charged molecules was
discussed in [152,153]. Moreover, the DNA hybridization-induced modulation of the ion-concentration
distribution within the intermolecular spaces and ion sensitivity of the gate surface as a possible
operation principle for DNA-FEDs was proposed in [154]. Recent simulations on the impact of the
DNA position and orientation on the hybridization signal [149] show that the largest hybridization
signal can be expected when the DNAs are parallel to the biosensor surface and distributed at equal
intervals. Finally, the relation between the screening effect and the distance of the charged target
molecule or particle from the electrolyte/insulator interface has been studied by using Monte Carlo
simulation [155].

Summarizing this subsection, it should be emphasized that the majority of the reported label-free
DNA-EIS biosensors utilize relatively short synthetic oligonucleotides as model targets and rather
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ideal experimental conditions. Problems may arise when dealing with real samples containing very
large target DNA molecules (a thousand to several hundred thousands of base pairs) or other charged
molecules (possible nonspecific adsorption).

3.4.2. Detection of Biomarkers and Other Charged Molecules

Among the biomolecular interactions, the high specificity of molecular recognition can be best
typified by an antibody–antigen interaction, which is the basis of immunosensors. Immunosensors
as analytical devices have been recognized as very promising tools with enormous potential
applications, including, e.g., monitoring contaminants in the environment, food safety, clinical
diagnostics for monitoring the functioning of the immune system, etc. One of the key challenges of
immunosensors is the detection of disease biomarkers that enable the early identification of diseases
and effective treatments.

Label-free immunosensors allow the direct monitoring of immunoreactions by measuring
physicochemical changes induced by the antigen–antibody complex formation. Immuno-sensitive
FEDs (ImmunoFEDs) for label-free protein detection via their intrinsic molecular charge have attracted
considerable interest due to their excellent sensitivity, fast response time, small size, cost-efficiency,
and possibility of real-time and multiplexed measurements in a small sample volume and, therefore,
are considered as promising alternatives to conventional immunoassays. ImmunoFEDs are often
constructed by modification of the gate surface with antibodies as recognition elements for specific
biomarkers (antigens). Since antibodies and antigens are generally electrically charged in aqueous
solutions, it is suggested that the formation of an antibody–antigen complex on the gate surface
will modulate the surface charge, inducing a biomarker concentration-dependent response of the
FED. Most ImmunoFEDs reported in the literature are based on transistor structures (different types
of ISFETs or SiNWs) [22,24], while capacitive EIS-based immunosensors (ImmunoEIS) have rarely
been investigated. We only found a few studies related to the label-free direct detection of protein
biomarkers and other molecules by their intrinsic charge with ImmunoEIS biosensors. Some examples
of successful developments are described below.

A SiO2-gate EIS structure with APTES (3-aminopropyltriethoxysilane)-functionalized vertically
aligned ZnO nanorods was utilized for the label-free detection of the prostate-specific antigen (PSA)—a
biomarker strictly associated with prostate cancer [156]. The anti-PSA antibodies were covalently
immobilized on the ZnO nanorods. Upon the binding of PSA of a concentration of 1 ng/mL in a
100-μM solution, a ~23-mV shift of the C–V curve was observed. In contrast, no significant voltage
shift in the C–V curve was detected by measurements in a solution with an ionic strength of 10 mM,
which was attributed to the counter-ion screening effect of the PSA charge. In a further work, PSA
antigens were immobilized onto a polyethyleneimine-modified SiO2-gate surface, resulting in enhanced
sensitive properties [131]. The sensitivity toward PSA molecules in a low-ionic strength solution was
28.2 mV/dec and 4.7 mV/dec in the PSA concentration range of 1–10 ng/mL and 10 pg/mL–1 ng/mL,
respectively. The YbYxOy-gate EIS device was investigated for the detection of the rheumatoid
factor (RF)—a diagnostic biomarker for rheumatoid arthritis [157]. RF antibodies functionalized
with N-hydroxysuccinimide were covalently immobilized on the APTES-modified YbTixOy surface.
The sensitivity of the biosensor to serum RF antigen was ~41 mV/dec in the concentration range of
0.1 μM–1 mM. Chand et al. used specific aptamers (instead of large antibodies) immobilized onto
AuNPs deposited on the surface of a SiO2-gate EIS sensor for the label-free detection of protein kinase
A (PKA) [158,159]. Wang et al. demonstrated the possibility of detecting bovine serum albumin (BSA)
with HfO2-gate EIS sensors [107]. To avoid the complicated silanization process often used for antibody
immobilization, the anti-BSA antibodies were immobilized on the HfO2 surface post-treated with
NH3 plasma. The observed shift of the C–V curve along the voltage axis after the binding of BSA to
anti-BSA was about 20 mV. An EIS sensor for direct monitoring of the binding of heparin molecules via
detecting their intrinsic negative charge was proposed in [160]. Heparin is well-known as an important
clinical anticoagulant, where low-molecular weight heparin is used for the prophylaxis of deep
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venous thromboembolisms. To prevent thrombosis and avoid bleeding risks during and after surgery,
monitoring and control of the heparin level in a patient’s blood is important. The clinical heparin
antagonist protamine or the physiological partner antithrombin III were used as heparin-specific
surface probes. For the sensor, a detection limit of 0.001 U/mL was described [160], calculated from the
dose-response curves; the achieved detection limit is in orders of magnitude lower than the clinically
relevant concentrations. Ultimately, APTES-silanized Si3N4-gate capacitive EIS structures modified
with magnetic nanoparticles were applied for ochratoxin A detection [161]. Ochratoxin A is one of the
predominant contaminating mycotoxins in many products (e.g., dried fruits, coffee beans, beer, wine,
etc.). The anti-ochratoxin A antibodies were immobilized on magnetic nanoparticles by amide bonding.
The biosensor was highly sensitive (10 mV/pM in the linear range of 2.5–50 pM), with a detection
limit of 4.57 pM and specific for ochratoxin A antigens, when compared to other interferences, such as
ochratoxin B and aflatoxin G1.

In spite of the above-described successful experiments with ImmunoEIS sensors, detecting proteins
(including disease biomarkers) and other charged molecules in real biological samples (e.g., whole
blood, serum, or urine) remains a big challenge. The reasons are limitations in conjunction with
the electrostatic detection of molecular charges with FEDs. The major limitation of the label-free
electrostatic detection of proteins with ImmunoFEDs is the counter-ion screening of the molecular
charge, already discussed in Section 3.4.1 for DNA-EIS sensors. The dimensions of some proteins (e.g.,
antibodies) are much larger (ca. 10–12 nm [162]) than the Debye length (~0.8 nm) in a solution (e.g.,
in whole blood), with an ionic strength of ~0.15 M. If immobilized antibodies are oriented such that
the Fc (fragment crystallizable region) is substrate-facing (so-called end-on orientation), the distance
between the binding sites and the sensor surface will be substantially greater than the Debye length.
Thus, the target molecule/receptor binding will occur beyond the Debye length, making the electrostatic
detection of the biomolecular charge in real samples difficult or even impossible. As a consequence,
a useful measurable effect with an ImmunoEIS sensor can be expected only in low-ionic strength
solutions (<10 mM). On the other hand, randomly adsorbed antibodies may have head-on, side-on,
or lying-on orientations relative to the surface [163,164]. As a result, some of the bound target analyte
charges can be expected to be held within the Debye length and, therefore, could be detectable by
the ImmunoEIS sensor. Several strategies (e.g., measurements in desalted/filtered samples or in a
low-ionic strength solution and the use of short receptors (aptamers and antigen-binding fragments))
have been proposed to reduce the influence of the counter-ion screening effect and, thus, to enhance
the sensitivity of ImmunoFEDs (see reviews [22,23,153,165]).

Another issue is the nonspecific adsorption of proteins. Biological samples represent extremely
complex media containing thousands of proteins and other charged chemical species (covering a very
wide concentration range from pg/mL to mg/mL). They are able to nonspecifically adsorb on the gate
surface of the ImmunoFED and generate false-positive signals or mask the usable signal from the target
analyte of interest. This significantly hampers the sensitivity, specificity, and reliability of ImmunoFEDs
and provokes false diagnostic results. To reduce/eliminate the nonspecific adsorption of proteins onto
the surface of ImmunoFEDs, various strategies such as the use of blocking agents, prefiltering/purifying
the biological liquids or on-chip filtering, separation, desalting, and preconcentration platforms,
have been discussed for ImmunoFEDs [5,22,166].

3.4.3. Detection of the Consecutive Adsorption of Oppositely Charged PE Macromolecules

Besides the detection of charged biomolecules such as DNA or proteins discussed above, EIS
sensors have also been applied for the label-free detection of LbL sequential electrostatic adsorption of
cationic and anionic PE molecules and the monitoring of a PE multilayer build-up. The LbL deposition
of PE multilayers provides a simple and cost-effective method for the preparation of ultra-thin films
(even organic/inorganic hybrid multilayers) with a desired composition, functionality, and nanoscale
control of the thickness [167]. Such PE multilayers are very attractive as coatings with functional and
controllable properties, stimuli-responsive materials for actuators, microcontainer-controlled drug
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release systems, and biosensing applications. For the optimization and practical implementation of PE
multilayer-based devices, investigation of the impact of process parameters (e.g., PE concentration,
ionic strength, pH value of the solution, and surface charge of the substrate) on the formation and
characteristics of the PE multilayer is essential.

Recent studies on the detection of PE macromolecules using EIS structures with different
gate materials (SiO2, SiO2–Ta2O5, SiO2–NCD, and SiO2–AuNP) and various PE model systems
(PLL-ssDNA, PAH-PSS, PAH-ssDNA, and PAH-dsDNA) have demonstrated the potential of these
EIS sensors for real-time, in-situ monitoring of the PE multilayer formation with direct electrical
readout [7,8,30,130,132,168–172]. For example, the effect of the semiconductor doping type on the
electrical characteristics of a PAH-ssDNA-modified SiO2-gate EIS structure was studied in [8]. The pH
and ion sensitivity of a SiO2-gate EIS sensor covered with a PE multilayer of PAH-PSS was investigated
in [170]. An array of nanoplate capacitive EIS structures prepared from a silicon-on-insulator wafer was
applied for the electrical monitoring of the PE multilayer formation using differential-mode dynamic
ConCap measurements [7]. The feasibility of an AuNP-modified capacitive EIS sensor for the label-free
detection of the consecutive adsorption of cationic weak PE PAH and anionic strong PE PSS was
demonstrated in [30]. More recently, the formation of a PAH-ssDNA and PAH-dsDNA multilayer onto
SiO2-gate EIS sensors was studied in [132]. Finally, in the work of Poghossian et al., a PE multilayer
stack (18 layers) of PAH-PSS onto a SiO2-gate EIS sensor was investigated in detail to understand the
effect of ionic strength of the solution, PE concentration, and number and polarity of PE layers on the
sensor signal [172]. Consecutive adsorption of oppositely charged PE layers leads to alternating shifts
of the sensor signal of the capacitive EIS sensor, whereas the direction of these shifts correlates with
the charge sign of the terminating PE layer (PAH or PSS). To interpret it in more detail: adsorption
of a positively charged PAH layer shifts the signal of the capacitive EIS sensor in the direction for an
additional positive charging of the gate surface. This corresponds to a more negative sensor output
signal in the ConCap mode due to the feedback-control circuit (see Figure 6a). In contrast, PSS layer
adsorption shifts the potential towards the direction that results from a more negatively charged gate
surface. Subsequent PAH and PSS layers adsorption show a zigzag-like behavior in potential shifts
(Figure 6b) that can be explained by the charge sign of the outermost layer. Similar effects were also
found for PAH-PSS and PAH-DNA multilayers elsewhere [7,8,130,132,168–171]. In addition, it has
been observed that the amplitude of the signal changes has a tendency to decrease with increasing
the PE layer number and ionic strength (Figure 6b). To explain the experimentally observed signal
behavior of an EIS sensor modified with a PE multilayer, a simplified electrostatic model was proposed,
which is based on the assumption of a reduced ionic strength and, therefore, reduced screening of
PE charges by mobile ions inside the multilayer [172]. According to this model, with increasing the
multilayer thickness, the electrostatic coupling between the charge of the outermost PE layer and
the gate surface will drop. As a result, the potential changes generated on the gate surface by the
adsorption of the outermost PE layer will gradually decrease with an increasing number of PE layers
that, in fact, was observed in many experiments. However, the development of exact theoretical models
quantitatively describing the influence of all interfering factors on the signal behavior of PE-modified
EIS sensors still requires further experimental input.
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Figure 6. Electrical monitoring of the PE multilayer build-up with a p-Si–SiO2 EIS sensor. (a) ConCap
response and (b) potential shifts as a function of the PE layer number and ion concentration. The PAH
and poly(sodium 4-styrenesulfonate) (PSS) layers were deposited from a 50 μM PE solution adjusted
with different NaCl concentrations of 100, 10, and 1 mM (pH 5.4). Reproduced from Ref. [172] with
permission from Springer.

3.4.4. Label-Free Biosensing with AuNP-Modified EIS Structures

Due to their unique physicochemical features, easy surface modifications with various shell
molecules capable for coupling of different biochemical recognition elements, high surface-to-volume
ratios, and the possibility of integration with macroscopic transducers, AuNPs are considered as
highly attractive chemically and electrically tunable nanomaterials for designing electrochemical
biosensors. In comparison with planar surfaces, the immobilization of receptors on nanoparticles
typically provides a higher density of receptor molecules with a favorable orientation for interactions
with target molecules to be detected, enhancing the transport of target molecules to the nanoparticle
surface, all improving the biosensor performance. In this context, the coupling of AuNPs with FEDs
represents a very promising strategy with new opportunities for label-free biosensing with direct
electrical readout [30]. Since the vast majority of biomolecules are positively/negatively charged in
solutions, AuNP-modified FEDs can provide a generic approach for detecting numerous charged
biomolecules. Nevertheless, in spite of the popularity of AuNPs in electrochemical sensing, there
are only a few articles devoted to the label-free detection of charged molecules with AuNP-modified
capacitive EIS sensors [7,30,113,135,158,159].

As one example, a capacitive EIS sensor with SiO2 gate was applied to detect charge changes of
ligand-stabilized and bare-supported AuNPs, which were induced by oxygen plasma treatment or
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by exposure to aqueous oxidation and reduction solutions, respectively [133]. Another, more recent
experiment described capacitive EIS sensors functionalized with negatively charged, citrate-capped
AuNPs for the label-free electrostatic detection of positively charged molecules by their intrinsic
molecular charge [30,113]: charge changes can be detected in those AuNP/molecule inorganic/organic
nanohybrids that result from molecular adsorption or binding events. Here, the ligand-stabilized
AuNPs play a dual role: (i) The AuNPs offer a simple way to couple a large variety of charged molecules
on their surfaces (e.g., negatively charged citrate-capped AuNPs provide a convenient scaffold to attach
positively charged molecules), and (ii) the AuNPs can serve as additional distributed, quasi-spherical
nanometer-sized, local metal gates [30].

The expected modulation of the depletion layer in Si within local regions under surface areas
covered with AuNPs is depicted in Figure 7: the adsorption or binding of charged molecules onto
the AuNP surface will locally alter the width of the depletion layer and, therefore, the depletion
capacitance. The overall capacitance of the field-effect EIS sensor will change, shifting the C–V curve
along the voltage axis. The effect of coupling of charged molecules to the AuNPs is the same as if
one would apply an additional voltage to the local gates. In which direction the voltage is shifting
depends on the sign of the charge of the attached molecules, while the amplitude is determined by the
surface density of AuNPs, the number of attached molecules per AuNP, and their intrinsic charge.
Summarizing, a high sensor signal can be expected by a high AuNP surface coverage, a large number
of highly charged, attached molecules per AuNP, and when performing measurements, in low-ionic
strength solutions.

 

Figure 7. Schematic of a AuNP-modified capacitive EIS sensor. Expected modulation of the depletion
layer after the deposition of negatively charged citrate-capped AuNPs and after the binding of positively
charged molecules on AuNPs are exemplarily shown for a p-type EIS structure.

The feasibility of the proposed detection scheme has been exemplarily demonstrated by developing
SiO2-gate EIS sensors modified with negatively charged citrate-capped AuNPs (with an average size of
~18 nm) for the detection of typical model examples of positively charged small proteins (cytochrome
c, which is a key component of the electron transport chain in the mitochondria) and macromolecules
(poly-D-lysine), as well as for monitoring the consecutive adsorption of oppositely charged PE
molecules [30].

The possibility of detecting protein kinase A (PKA) with an AuNP-modified EIS structure was
demonstrated in [158]. PKA has several functions in the cell, including the regulation of glycogen-,
sugar-, and lipid metabolisms. AuNPs (~16 nm) functionalized with a thiolated PKA-specific aptamer
were deposited onto the silanized SiO2-gate surface. The quantitative detection of PKA was performed
by analyzing the C–V curve after the aptamer–PKA interaction. The EIS device showed a detection
limit of 1-U/mL PKA. In a further work, the developed EIS sensor with an Ag/AgCl quasi-reference
electrode was integrated with a polymeric microchip and tested for the label-free detection of PKA in a
spiked human cell sample [159].

Finally, an array of nanoplate EIS sensors functionalized with AuNPs was applied for the label-free
detection of consecutive DNA hybridization, denaturation, and rehybridization in a differential-mode
setup [7,135]. Figure 8 shows a schematic of the bare (a) and AuNP-modified (5–8 nm) (b) EIS
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chips, combining four individually addressable EIS sensors prepared using a silicon-on-insulator
wafer and a differential-mode ConCap response after consecutive DNA hybridization, denaturation,
and rehybridization (c). Sensor 4 was functionalized with the probe ssDNA (20-mer) molecules perfectly
matched to the complementary target cDNA sequence, while sensors 2 and 3 were immobilized with
the fully mismatched ssDNA. Sensor 1 was utilized for the pH control. High differential signals
of about 120 mV, 90 mV, and 80 mV were observed between sensor 4 and sensor 2 after the DNA
hybridization, denaturation, and rehybridization events, respectively. The observed hybridization
signal was three to four times higher than those previously reported for SiO2-gate EIS sensors without
AuNPs (24–33 mV) in [27,169].

 

Figure 8. Schematic of the bare (a) and AuNP-modified (5–8 nm) (b) EIS chips combining four
individually addressable EIS sensors prepared using a silicon-on-insulator wafer and a differential-mode
ConCap response after consecutive DNA hybridization, denaturation, and rehybridization (c). ΔV4-2

and ΔV3-2: net differential signals between sensor 4 and sensor 2 and sensor 3 and sensor 2, respectively.
Adapted from Ref. [135] with permission from Wiley-VCH.

4. Concluding Remarks

In spite of remarkable progress in the research and development of EIS sensors and the
implementation of new strategies and ideas to improve the sensitivity characteristics in the last
few years, it should be noted that there are still some issues that must be overcome before the
commercialization of EIS biochemical sensors and their transfer from scientific labs to real life and
widespread applications will appear. Some challenges related to ion-sensitive EIS, EnEIS, DNA-EIS, and
ImmunoEIS sensors, and possible strategies proposed for their solutions, are discussed in the respective
sections. As for other kinds of FEDs, due to the Debye screening effect and nonspecific adsorption,
the label-free detection of charged biomolecules with EIS biosensors in untreated, real biological
samples (e.g., whole blood, serum, plasma, saliva, urine, cerebrospinal fluid, and nasopharyngeal
swab) with high sensitivity and specificity is still demanding.
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From the application point of view, the development of an array of capacitive EIS sensors for
multiplexed detection, as well as the realization of a stable, reliable, miniaturized integrated reference
electrode, are two further tasks to be solved. For a correct functioning of field-effect EIS sensors,
the reference electrode should provide a stable potential during measurements independent of the
pH value of the solution or concentration of the dissolved species. This is usually achieved by
applying the liquid-junction reference electrode (e.g., Ag/AgCl electrode), which is still bulky and
often fragile and, therefore, limits seriously the large-scale application of EIS sensors. In order to
achieve the full advantage of EIS sensors, a comparable small reference electrode must be realized.
In this context, the development of miniaturized integrated solid-state reference electrodes compatible
with Si technology is of great interest. Due to the difficulties in the miniaturization and integration of
liquid-junction reference electrodes, some groups use so-called pseudo- or quasi-reference solid-state
electrodes made from, for example, Pt, Au, or Ag/AgCl films. Such electrodes are often unsuitable
for reliable biosensing because of non-negligible potential instabilities and the need of a long time to
achieve a relatively stable potential after changing the electrolyte solution. Therefore, the results of
experiments performed using quasi-reference electrodes should be carefully evaluated.

An ability of sensors for multiplexed detection—that is, to simultaneously assay for multiple
chemical or biological species—could reduce both the analytical time (and cost) and sample volume.
However, the integration of capacitive EIS sensors in an array format for multiparameter detection
must circumvent technological difficulties in fabricating separate, individual, electrically isolated,
field-effect capacitors onto the same Si chip [7]. Several capacitive EIS sensors fabricated on the same
Si chip will stay interconnected through their common Si substrate. As a consequence, this can result
in undesired cross-talk between the different EIS sensors on the same chip. Individually addressable
on-chip fabricated EIS capacitors for multiparameter detection still remains a challenge, for which only
a few studies have presented encouraging results [7,8]. The price to be paid is the loss of important
advantages of capacitive EIS sensors—namely, the simple structure and easy preparation.

One widely neglected subject in most reported EIS sensors is the possible leakage current between
the reference electrode and the Si substrate (ideally, no leakage current should flow). An existence of a
leakage current might lead to serious experimental artifacts and even electrolysis, depending on the
electrolyte composition and potentials applied to the system [173]. In spite of this fact, there are only a
few works where data on leakage current levels in EIS sensors were given.

In summary, despite the above discussed issues, the research of capacitive field-effect EIS sensors
is a rapidly advancing field in which novel device designs and modification methodologies are
consistently being developed. This fact provides the reason for great optimism that capacitive EIS
structures will play a significant role in the commercialization of FED-based chemical sensors and
biosensors in the near future.
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Abstract: In recent years, field-effect transistors (FETs) have been very promising for biosensor
applications due to their high sensitivity, real-time applicability, scalability, and prospect of integrating
measurement system on a chip. Non-carbon 2D materials, such as transition metal dichalcogenides
(TMDCs), hexagonal boron nitride (h-BN), black phosphorus (BP), and metal oxides, are a group
of new materials that have a huge potential in FET biosensor applications. In this work, we review
the recent advances and remarkable studies of non-carbon 2D materials, in terms of their structures,
preparations, properties and FET biosensor applications. We will also discuss the challenges facing
non-carbon 2D materials-FET biosensors and their future perspectives.
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1. Introduction

Field-effect transistors (FETs) are highly promising for biosensor applications due to their high
sensitivity, real-time applicability, scalability, and prospect of integrating measurement system on
a chip. A conventional FET system is composed of two electrodes, source and drain, connected by
a semiconducting channel material. The FET sensor responds based on conductance change of the
semiconductor channel material due to a gating effect of the captured analyte molecules. This gating
effect modulates the electrical characteristics of the FET, such as source-to-drain current. This change in
FET characteristics is transduced as a detectable signal change [1]. Bulk materials, such as gas-sensitive
metal oxides and polymer membranes, were used as the first channel materials in FET chemical sensors.
However, the unfavored electronic properties and limited interaction between target molecules and
bulky materials limited their use, especially as they sometimes require specific operating conditions,
such as high temperature for gas sensing [2–4].

One-dimensional (1D) semiconducting nanomaterials, such as carbon nanotubes (CNTs),
conducting polymer nanowires (CPNWs) and silicon nanowires (SiNWs) have shown great success
as channel materials in FET sensors. The high sensitivity of the 1D-FET sensors is attributed to
their high surface area and high switching characteristics (current on/off ratio) of CNTs, CPNWs and
SiNWs [5–7]. Despite the application of SiNWs-FET in many biosensor applications, it is challenging to
scale up or commercialize them due to the low carrier mobility of SiNWs and the high device-to-device
variation [8]. Even with the superior physicochemical properties of CNTs, such as excellent thermal and
chemical stability [9], exceptional conductivity [10,11], and feasibility to easily immobilize bioprobes,
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their applications to FET sensors are limited. This can be explained by the difficulty to obtain pure
semiconducting (s) or metallic (m) CNTs instead of producing a mixture of them, which destroys the
electrical performance and increases the device-to-device variation [8,12].

Two-dimensional (2D) semiconducting nanomaterials, on the other hand, provide more conformal
and stronger contact with electrodes. They are also easier to implement because of their relatively
larger lateral sizes, which enables better control of the FET channel structure. Moreover, 2D nanosheets
can be prepared in the desired shape, size, and thickness, and can be precisely transferred to
the designated area of the sensor substrate [1]. Graphene, the most widely used 2D material,
has a very high surface area of approximately 2630 m2/g [13] and an exceptional mechanical
strength [14] (130 GPa tensile strength and 1000 GPa modulus). Moreover, graphene has an ultra-high
ideal charge carrier mobility of 200,000 cm2 V−1 s−1, entitling it to have excellent electrical properties
of fast electron transfer [15]. This increased attention to graphene as an excellent material for FET
applications [16–18]. However, the lack of intrinsic band gap in graphene, resulting in a small current
on/off ratio in its FETs, limits its sensitivity and applicability in FET sensors [8].

Acknowledging all this, other families of non-carbon 2D materials have been inaugurated and
are growing rapidly at present. Analogous with graphene, monolayer and few-layer transition metal
dichalcogenides (TMDCs) (e.g., MoS2, WS2, MoTe2, MoSe2, WSe2), hexagonal boron nitride (h-BN),
black phosphorus (BP), transition metal oxides (LaMnO3, LaVO3), transition metal chalcogenides
(NbSe3, TaSe3), and layered complex oxides have been reported [19–23]. Moreover, other 2D materials,
such as silicene and germanene, have been introduced and studied [24]. The huge pool of non-carbon
2D materials covers a large number of materials with a huge variation in properties, from insulators
to conductors. More details on the growing library of the 2D materials can be found in these
references [25,26]. Therefore, researchers have taken those materials into many applications, including
FET-based biosensors. In this article, we review the recent non-carbon 2D materials, in terms of their
structures, preparations, properties and their FET biosensors. We will also discuss the challenges
facing non-carbon 2D materials-FET biosensors and their future perspectives.

2. FET Platform: General Features

A biosensor is an analytical device consisting of a transducer and biological receptor as basic
components that convert a biochemical response into an electronic signal. FET devices are popularly
used in the electrical biosensing field due to their unique function for weak-signal and high impedance
applications [27,28]. In FET-based biosensors, the gate terminal and/or the dielectric layer are modified
with specific bioreceptors (antibodies, oligonucleotides, peptides, receptors, cells, enzymes, aptamers,
etc.) to capture desired bio/chemical molecules [28–30]. When target bio/chemical molecules bind with
bioreceptors, surface charges result in modulation of the electrical characteristics of FET devices.

The most facile and common way to build a 2D-FET platform is to use a wafer-based back-gated
configuration as shown in Figure 1a. In this configuration, the deposition of electrodes (source and
drain) is needed, while the bulk wafer could directly act as a back gate [31]. Two-dimensional materials
could be grown or transferred via typical methods on a wafer of dielectric material (such as SiO2)
deposited on conducting substrate (such as Si) followed by deposition of metal source and drain
electrodes via microfabrication process. Another widely used configuration in exploring 2D-FET
biosensors is liquid-ion gating. Different from the back-gated configuration, in which bulk wafer
functions as the gate, in this arrangement (as shown in Figure 1b), the ionic liquid is the gate. Hence, a
double-layer is generated at the liquid-channel interface that is also the dielectric for the screening of
the field [32].
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Figure 1. (a) Schematic illustration of the back-gated field-effect transistors (FET) biosensor with a
few-layer transition metal dichalcogenide (TMDC) sensing channel [33]. Reprinted with permission
from ref [33]. Copyright 2015 American Vacuum Society. (b) Schematic diagram of liquid-gating
MoS2-based FET biosensor [34]. Reprinted with permission from ref [34]. Copyright 2014 American
Chemical Society. MoS2 can be exchanged by other non-carbon 2D materials such as TMDCs, black
phosphorus (BP) or metal oxides while antibodies can be swapped with other bioreceptors such as
oligonucleotide probes, receptors, enzymes, cells or aptamers.

To detect biomolecules with specificity via 2D-FET platforms, the semiconductor channel layer
has to be functionalized with biorecognition molecules specific for the target using compatible
physicochemical methods [35,36]. Biological interactions of enzyme–substrate, antibody–antigen,
complementary nucleic acid strands, etc., are utilized in the FET biosensors to detect target biomolecule
with exquisite specificity [37]. When target molecules interact with the bioreceptor molecules, the
biological interactions may cause changes in the surrounding chemical environment or material chemical
structures and compositions [38]. These changes make an immediate impact to the accumulated charge
carriers at the surface of the gate to transduce the biochemical interaction into an electrical signal as a
measurable source-drain current. This is the principle of typical FET biosensors.

3. Non-Carbon 2D Materials

Table 1 provides an overview of the different non-carbon 2D materials, their electronic/device
properties, and their FET-based biosensors.

Table 1. Overview of literature reports on non-carbon 2D material-based FET biosensors.

2D
Material

2D
Thickness

[nm]

Mobilities
[cm2 V−1

s−1]

Ion/Ioff

Ratio
Target

Molecule
Detection
Limit/Range

Response
Time

Reference

MoS2 - 1.98 × 103 7.12 × 102 miRNA-155 0.03 fM 40 min [39]

WSe2 - - >105 Glucose 1.0–10 mM - [40]

MoS2 0.7 - 3.6–3.8 Kanamycin 1.06–0.66
nM 20 min [41]

BP 10–60 - - IgG 10 to 500
ng/mL

on the
order of
seconds

[42]

Phosphorene - - - Alpha-fetoprotein 0.1 ppb–1
ppm - [43]

BP 30–50 468 1200 - - - [44]

MoO3 1.4–2.8 1100 - Bovine serum
albumin

250
μg/mL–25

mg/mL
<10 s [45]

In2O3 4 19 - Glucose 10−11–10−5

M
- [46]

In2O3 3.5 20 >107 Glucose 0.1–0.6
mM - [47]
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3.1. 2D TMDCs Materials

3.1.1. Structure, Preparation and Properties

TMDCs are a group of layered materials with the general formula MX2, where M is a transition
metal from groups IV, V, or VI (Ti, Zr, Hf; V, Nb, Ta; Ct, Mo, or W) and X is a chalcogen atom (S, Se,
or Te). Each layer of TMDC is composed of three planes: chalcogen, transition metal, and chalcogen.
TMDCs exist in different coordination, where each transition metal atom is coordinated to six chalcogen
atoms either in an octahedron or triangular prism [19,48]. The type of metal coordination preferred by
these materials is highly influenced by the nature of the bond formed between the metal and chalcogen
atoms. Essentially, octahedral coordination is favored by group IV transition metals, as they form
strong ionic compounds, which have Coulomb repulsive forces between layers. On the other hand,
group VI transition elements form more covalent bonds and coordinate in triangular prism [49,50].
Yet, group V transition elements can stabilize in octahedron and triangular prism structures due to
their moderate ionicity [48].

TMDCs can be found in one of three stackings or polytypes; 1T-type stacking that dominates in
bulk crystals in octahedral coordination, 2H- and 3R-type which are found with the triangular prismatic
coordination. Moreover, the stable phase of MX2 material at ambient pressure and temperature is the
2H phase with six atoms per unit cell; two metal atoms and four chalcogenides, though 1T phase can
be prepared by electron beam irradiation or Li-intercalation [51,52]. It is also worth mentioning that
TMDCs may undergo dimerization of metal atoms, which induces the movement of chalcogen atoms
to an out-of-plane direction and results in the distortion of the 1T phase to the 1T’ structure. This can
be described also by means of symmetry transformation from 3- to 2-fold, with a change in the space
group from (P3m1) in 1T to (P21/m) in 1T’ [53].

TMDCs can be prepared in different methods that can be divided into two main approaches;
top-down, in which the bulky crystals are exfoliated into mono-/few layered-TMDCs, and bottom-up,
in which a thin layer of the material is built from atoms of precursors [54]. Based on these two approaches,
there are several techniques/methods introduced to prepare high-quality thin layers TMDCs, including
liquid phase exfoliation [55], mechanical exfoliation [56], chemical exfoliation [57,58], electrochemical
deposition, and chemical vapor deposition (CVD) [25,59]. Due to its ability to prepare high quality
large TMDCs layers, with a controllable number of layers and domain size, CVD is very promising
among all aforementioned methods. There are many details and ongoing progress in these methods,
especially in CVD-based methods, and for this, we recommend reading the work of You et al. [60] and
Zhang et al. [61].

TMDC materials exhibit a wide range of electrical properties, based on the type of phase and
the number of d electrons, such as metallic (e.g., NbS2, VSe2) [62,63], semi metallics (e.g., WTe2,
TiSe2) [64,65], semiconductors (e.g., MoS2, MoSe2, WS2, WSe2) [66–68], and insulators (e.g., HfS2) [69].
The first semiconducting to attract attention among the TMDCs is MoS2, which shows a high on/off
current ratio [70] that entitles it to be a good candidate for field-effect transistor applications [71].
Except for a few cases of GaSe and ReS2, most of the TMDCs such as MoS2 (1.8 eV), WS2 (2.1 eV) and
WSe2 (1.7 eV) exhibit an indirect band gap with smaller energies in bulk form and a higher direct
band gap in monolayer [72,73]. Nevertheless, most TMDCs, such as MoS2 and WSe2, are free of
dangling bonds and hence make more ideal Schottky junctions than bulk semiconductors. This in
turn inhibits charge transfer at the interface with bulk metals by producing Fermi energy pinning
and recombination centers [74]. However, some of them exhibit high mobility, depending on metal
contacts, selection of the appropriate substrate, grain boundaries, etc. MoS2 provides a mobility of
33–151 cm2 V−1 s−1 on BN/Si substrate at room temperature and 700 cm2 V−1 s−1 on SiO2/Si substrate
with scandium contact [75,76]. In addition, the chemically prepared 1T MoS2 phase is 107 times more
conductive than its semiconducting 2H phase. On the other hand, the dichalcogenides of Ti, Ni, V,
Cr, Zn, Nb essentially exhibit metallic behavior [77]. For FET, the channel material is required to be a
semiconductor, as discussed in Section 2, so the semiconducting TMDCs are good candidates for FET.
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On the other hand, the semimetallic and metallic TMDCs are not good channel materials for FETs,
and they are better candidates for electrochemical sensors.

Superiority of TMDCs over graphene. Graphene has interesting properties that have attracted
huge attention since its discovery in 2004. However, graphene does not have an intrinsic band gap,
which limits its uses in the electronics industry. On the other hand, TMDCs show a tunable band
gap that controls the current flow with a high on/off ratio and hence they serve as good materials for
transistor applications. For example, MoS2 shows direct bandgap (≈1.8 eV), large optical absorption
in monolayer (≈107 m−1 in the visible range), and high current on/off ratio of ≈107–108. Accordingly,
it has been applied extensively in electronics and optoelectronics [78,79].

3.1.2. TMDCs-FET Biosensors

FET-based sensors are electrical systems that depend on the changes in the electrical conductivity
of the semiconducting channel materials upon stimulation by target molecules. Therefore, the
semiconducting TMDCs, such as MoS2, MoSe2, WS2, and WSe2, are the target materials among all the
other TMDCs for FET sensors. Semiconducting TMDC-based FET sensors, especially MoS2-FETs have
several advantages over other materials, such as low leakage current, low power consumption, and high
current on/off ratio enabling high sensitivity [80,81]. Moreover, due to their excellent abovementioned
electronic properties, and mechanical flexibility, as well as their ultrathin structure, MoS2-FET sensors
are promising for the economic and low energy portable and wearable electronics [62,82]. We will
discuss some of the reported TMDC-FET biosensors for the detection of different targets, such as DNA,
glucose, protein, and antibiotics.

Mei et al. [83] reported the detection of DNA via hybridization with phosphorodiamidate
morpholino oligos (PMO), as an ultrasensitive label-free MoS2-FET biosensor. As shown in Figure 2i,
sensor fabrication was conducted by drawing gold electrodes using photolithography and e-beam
evaporation, followed by treatment with 3-Aminopropyltriethoxysilane (APTES) to cover the SiO2/Si
surface with positive charges. The negatively charged MoS2 nanosheets were drop-casted to the
positively charged channel surface and bound to it via electrostatic attraction. Then, the MoS2 surface
was modified with the DNA analogue, PMO, using 1-Pyrenebutanoic acid succinimidyl ester (PASE).
The prepared PMO-MoS2-FET biosensor showed a low limit of detection (LOD) of DNA of 6 fM, which
is lower than other formerly reported DNA–DNA hybridization-based MoS2 FET DNA biosensor.
This can be attributed to the high sensitivity of the MoS2-FET sensor and the successful and selective
hybridization with PMO. Moreover, this sensor system showed applicability in the detection of DNA
in serum. The signal change was recorded from the change in device current due to stimulation by
the target DNA, as shown in the FET characteristic curve in Figure 2ii, and the calibration curve in
Figure 2iii. Nevertheless, this system still needs more work to control the reproducibility, and the
authors of this work plan to conduct it in the future. Other MoS2-FET sensors were introduced for
DNA detection, such as Lee et al.’s work in which a LOD of 10 fM was achieved [84]. Furthermore,
an earlier work reported by Loan et al. used the heterostructure of MoS2/graphene for DNA
hybridization detection on FET biosensor, and they were able to achieve a very low LOD in the
attomolar range [85].
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Figure 2. (i) A Schematic of the preparation of the MoS2 FET biosensor for the detection of DNA;
SiO2/Si substrate with metal contacts (a), APTES functionalization of the substrate (b), MoS2 loading (c),
functionalization of PMO on MoS2 surface using PASE linker (d) exposed surface passivation/blocking
using EA (e), and target DNA capturing using the sensor (f). (ii) FET transfer characteristics of the
complementary DNA-hybridized phosphorodiamidate morpholino oligos (PMO)-functionalized MoS2

FET device, at a series of concentrations. (iii) Calibration/working curve of the MoS2 FET at different
concentrations of DNA. Reprinted from ref [83], Copyright (2018), with permission from Elsevier.

Majd et al. [39] developed a MoS2-FET biosensor for the label-free detection of a breast cancer
biomarker, miRNA-155, in cell lines and human serum. The MoS2 flakes, as the channel sensing material
used in this work, were prepared using the sequential solvent exchange method, and drop-casted
onto the FET surface. The detection is based on direct hybridization between the immobilized probe
miRNA-155 and the target miRNA-155. The prepared device showed a very high carrier mobility
of 1.98 × 103 cm2 V−1 s−1 (this number is much higher than expected mobilities of MoS2, but this is
what the authors claimed), and a fairly low subthreshold swing of 48.10 mV/decade. The Ion/Ioff ratio
(7.12 × 102) reported in this work is small compared to other reports (mostly 105–107). In terms of
miRNA detection, the prepared device achieved a LOD of 0.03 fM, in a dynamic range of 0.1 fM to
10 nM. As a selectivity test, the sensor system did not show any significant response to miRNA with
one base mismatch. Lastly, this sensor system was proven to be successful in the determination of
miRNA-155 human breast cancer biomarker in serum samples, which enhances its clinical applicability.

Shan et al. [86] reported bilayer MoS2-FET as a glucose biosensor, with the advantages of high
stability, high sensitivity and rapid response. The electrical characteristic outputs of the introduced
device were recorded in the absence of glucose. The effect of gate potential (Vg) (from −40 to 40
V, with a step of 5 V) on the device’s source–drain current (Isd) in the source–drain voltage (Vsd)
range of −0.5 to 0.5 V, as shown in Figure 3a. The Isd increased with the increase of positive gate
potential. Furthermore, the (Isd-Vg) FET characteristic curve exhibited the n-type behavior of the device
with Ion/Ioff was found 106, and the carrier mobility was found as 33.5 cm2 V−1 s−1, as illustrated in
Figure 3b, which explains the high sensitivity of this sensor system. The presented system showed a
LOD of 300 nM, and a sensitivity of 260.75 mA/mM. The current (Isd) was directly proportional to the
glucose concentration, at constant Vg and Vsd (Figure 3c,d). This increase in current may be attributed
to the n-doping of the n-type semiconductor MoS2 by electrons resulting from glucose oxidation.
Moreover, the determination of unknown glucose concentration was achieved by a calibration curve
plotted between the Isd and glucose concentration. There is another interesting work presented by Lee
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et al. [40] about glucose biosensor using tungsten diselenide (WSe2) field-effect transistor biosensor
(WSe2 BioFET) using the same concept as discussed above.

Figure 3. Basic electrical characterization graphs the device. (a) The effect of gate potential (Vg) (from
−40 to 40 V, with a step of 5 V) on device’s source-drain current (Isd) in the source-drain voltage
(Vsd) range of −05 to 0.5 V. (b) The (Isd-Vg) FET characteristic curve of MoS2-FET showing the n-type
behavior of the device. (c,d) Increase in Isd with an increase in the concentration of target molecules.
Reprinted with some changes from ref [86].

As an example of TMDC-FET biosensors for the detection of antibiotics, Chen et al. [41] developed
an aptamer-MoS2-FET biosensor for the detection of Kanamycin (KAN). Aptamer (APT) application as
a selective biorecognition element for antibiotics is promising, however, its selectivity for antibiotics
is still challenging due to the wide folding of APTs and the structural similarities among antibiotics.
The authors implemented MoS2 as the sensing material, and APT and a complementary strand DNA
(CS) as recognition elements of KAN. This structure (CS-APT) of recognition elements in the proposed
CS-APT-MoS2-FET biosensor improved the selectivity and reliability of this sensor system and reduced
the device-to-device variations. Gold nanoparticles (AuNPs) were used as a linker of DNA. The device
showed an Ohmic contact and p-type behavior, as shown in Figure 4a,b. MoS2 is expected to be
n-type; however, in this work and others, it is p-type due to oxygen incorporation in the synthesis and
fabrication processes [87]. The sensing mechanism is based on a replacement reaction, in which KAN
binds to the APT and displaces the CS from the CS/APT/MoS2-FET system (Figure 4c). Two control
experiments of MoS2-FET, and APT/MoS2-FET, were used in this study for a better understanding
of the sensing mechanism. In the case of MoS2-FET, there was no change in device current with the
addition of KAN. In the case of APT/MoS2-FET, the addition of KAN resulted in a direct increase in
current due to the formation of more centered structure with higher concentration of negative charges
that stimulate the positive charges of the p-type MoS2 and increasing current. In the main experiment,
using CS/APT/MoS2-FET, the addition of KAN resulted in a slow current decrease, due to the time
needed for KAN to displace CS, and the mechanism is hard to determine, but the authors attribute
it to the decrease of negative charges in general. Figure 4d presents the results of KAN detection.
The LOD, which was relatively time-dependent, was 1.06–0.66 nM, with high selectivity of KAN
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(selectivity coefficient of 12.8) over the other antibiotics such as amoxicillin, tobramycin, streptomycin,
and chloramphenicol.

 

Figure 4. (a) Isd-Vsd curve showing the Ohmic contact of the device. (b) FET characteristic curves of
the device. (c) The proposed mechanism of Kanamycin (KAN) replacing CS. (d) The sensor system,
with control experiments, response to KAN at different concentrations. Reprinted from ref [41],
Copyright (2019), with permission from Elsevier.

3.2. Black Phosphorus/Phosphorene

3.2.1. Structure, Synthesis and Properties

Black phosphorus is a layered 2D Van der Waals material. It is the most stable allotropic substance
among the phosphorus family. Its isolated single layer is popularly known as phosphorene and
has attracted tremendous attention. The structure of phosphorene is an orthorhombic lattice and
phosphorus atoms are covalently bonded to form a puckered honeycomb structure (as shown in
Figure 5a) [88]. The bandgap, which ranges from 0.3 eV (for bulk black phosphorus) to 2.0 eV
(for mono-layer phosphorene) is direct and thickness-dependent. The charge carrier mobility is large
enough with the high hole mobility up to 1000 cm2 V−1 s−1, which is also thickness-dependent (reported
in thickness less than 10 nm) [89,90].
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Figure 5. (a) Structure of phosphorene (side and top view) [91]. (b) Schematic diagram of the
metal-assisted exfoliation process for few-layer black phosphorus [92]. Reprinted with permission
from ref [92]. Copyright 2018, The Royal Society of Chemistry. (c) Schematic diagram of liquid-phase
exfoliation process (basic-N-methyl-2-pyrrolidone(NMP)-exfoliated) phosphorene [93]. Reprinted with
permission from ref [93]. Copyright 2015, WILEY-VCH Verlag GmbH and Co. KGaA, Weinheim.

Mechanical and liquid-phase exfoliations are the two most common methods to exfoliate layered
phosphorene from bulk phosphorus [94,95]. Mechanical exfoliation with scotch tape to peel nanoflakes
off from bulk crystals is easily operated and could yield high-quality black phosphorus/phosphorene
flakes with low cost, which makes it perfect for fundamental research. On the other hand, its negative
aspects are also apparent, such as the size is too small for most of exfoliated phosphorene, the
process is labor-intensive and time-consuming, and the productivity is extremely low [95]. A further
disadvantage is that the mechanically exfoliated phosphorene experiences significant irreversible
deformations under ambient conditions and inconvenient for long-term storage. With these problems
in mind, researchers are struggling to find ways to improve traditional mechanical exfoliation.
Guan et al. [92] introduced a metal-assisted exfoliation method to obtain large-sized phosphene.
A 10 nm gold layer (or silver layer) was deposited on the substrate at first and followed with normal
mechanical exfoliation (Figure 5b). Then, the metal layer was etched with a solution. Few-layer
phosphorene was produced with a 50 μm lateral size. The FET electronic properties proved the high
quality of the as-fabricated phosphorene, which showed a hole mobility of 68.6 cm2 V−1 s−1 and the
Ion/Ioff ratio of 200,000. Moreover, poly(dimethylsiloxane) (PDMS)-based substrate and semi-spherical
PDMS stamp to help rapid peeling and transfer of phosphorene nanosheets were reported [96].
In addition, Ar+ plasma thinning processes after regular mechanical exfoliation to obtain controllable
and homogeneous monolayer phosphorene [97] were also reported accordingly.

Liquid-phase exfoliation is another common method for preparing phosphorene.
Dimethylformamide (DMF), dimethyl sulfoxide (DMSO), isopropanol (IPA), N-methyl-2-pyrrolidone
(NMP), and ethanol are common solvents for black phosphorus exfoliation [98,99]. With the
participation of the solvent, phosphorene was prevented from air degradation and its stability
for exfoliation was improved. The phosphorene produced in the liquid phase could be stored long-term
and separated by centrifugation to achieve adjustable sizes. Figure 5c illustrates a basic liquid-phase
exfoliation process in NMP solvent. Bulk black phosphorus was put into the solvent, followed
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by a four-hour ultrasonic treatment which destructed the weak interaction between the stacked
sheets [93,95]. After ultrasonic treatment, the phosphorene in NMP was separated by centrifugation.
Other methods, such as electrochemical exfoliation [100], chemical transport reaction [94], solvothermal
method [101], are applicable for exfoliation as well. Although a lot of literature reported successfully
exfoliated phosphorene, there is still a lot of work to do before the mass-production of high-quality
phosphorene can be achieved.

3.2.2. Black Phosphorus/Phosphorene-FET Biosensors

Black phosphorus and phosphene-based studies have been carried out related to biological
applications, such as biomedicine and biosensing [87]. Compared with exhaustive literature on
biomedicine, the work on phosphorene biosensors is far less abundant. Chen et al. [42] reported the
FET biosensor with few-layer BP nanosheet serving as channel materials passivated with Al2O3 layer
to detect human immunoglobulin G (HIgG). Gold nanoparticles were deposited on the surface to
immobilize anti-HIgG biorecognition molecules (Figure 6). The device’s basic electrical properties
showed a p-type natural of black phosphorus device. In order to test the as-fabricated sensor’s dynamic
response, different concentrations of HIgG antigens from 10 ng/mL to 500 ng/mL were tested for
characterization. When HIgG molecules adsorbed onto biosensor surface, the source–drain current
increased with the negative gating effect added. A fast response on the order of seconds with an
LOD of 10 ng/mL was reported. The sensor showed good selectivity for the target antigen compared
to non-specific protein avidin (Figure 6). Kim et al. [43] successfully fabricated a few-layer black
phosphorus-based biosensor to detect alpha-fetoprotein (AFP) which was called “the most reliable
tumor marker for diagnosis hepatocellular carcinoma”. The surface functionalization process was
conducted with poly-L-lysine linker to immobilize AFP antibodies. With the specific binding of
AFP antigens and antibody, the detection of different concentrations of AFP antigen (1 ppm to 0.1
ppb) results showed a linear relationship between current and concentration with high sensitivity.
Taking advantage of the fact that the phosphorus is the second most predominant mineral in the
human body (1% of body weight) and the biocompatibility of biodegradation products of BP,
Song et al. [44] developed a BP-FET that maintained its high mobility and on–off current ratio
for ~36 h in body fluid before dissolving completely. Such a FET device has the potential to open a
new way for transient biocompatible biosensors.

Figure 6. (a) Schematic of black phosphorus biosensor for HIgG, and (b) plot of sensitivity as a
function of target and non-target antigen concentration [42]. Reprinted with permission from ref [42].
Copyright 2016, Elsevier B.V.

3.3. Metal Oxides

3.3.1. Preparations and Properties

Metal oxides are among the most varied classes of solids. They can be classified as layered and
non-layered. Examples of former include MoO3, WO3, Ga2O3 and TaO3, while ZnO, SnO2, In2O3 and
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CuO are examples of the latter [102]. Due to their specific structures and electrical characteristics,
metal oxides have been considered as candidates to extend the library of 2D materials for transistors
with a large band gap energy range (2.3–4.9 eV) and high electron mobilities (>10 cm2 V−1 s−1)
which guarantee high sensitivity and signal-to-noise ratio in biosensing. Moreover, FETs of these
materials can be processed at moderate temperatures from solutions facilitating deposition on a large
scale economically and the conductivity tuned by varying crystal size, morphology, dopant, contact
geometry and temperature of operation [46,102,103]. Metal oxides, to date, have been applied as
electrochemical and photoelectrochemical transducers for bio/chemical sensing [30,103–106] and FET
transducer for sensing of gases [107,108]. As mentioned previously, FET gas sensors of metal oxides
typically operate at high temperatures, leading to higher energy needs and reliability and safety issues.
On the other hand, because of oxygen atom termination of the basal surfaces, these materials are more
stable in air and water [102]. As with other 2D nanomaterials, bottom-up and top-down approaches
are used to synthesize many 2D metal oxide materials used in FET biosensors. The majority of the
metal oxides are synthesized by hydrothermal or solvothermal procedures because these methods are
facile, scalable, low temperature and low cost [109]. Typically, specific metal oxide precursors, such as
metal nitrates, chlorides, and sulfates, are dissolved in water or organic solvent and reacted anywhere
from 3 to 12 h or even a few days at 75–200 ◦C [110]. Metal oxides produced by these methods show
varieties of architectures and morphologies, such as nanowires, nanowalls, nanoforests, nanoflakes,
flower-like structures, and tree-like structures. [111]. Two-dimensional flakes or films may not only
include layers of nanoflakes, but also aggregated nanoflakes without order. Various forms of exfoliation
methods have also been implemented to achieve 2D layers of metal oxides for FET biosensors
applications [45,112]. Exfoliation methods are limited to layered metal oxides.

3.3.2. Metal Oxide-FET Biosensors

Two-dimensional metal oxides have an extensive application as optical, electronic, and sensing
semiconductors. Compared with a large number of one-dimensional metal oxide-based FET
biosensors reported [113,114], 2D metal oxide-based FET biosensors still have a large space in
FET biosensors applications. Herein, we briefly introduce several metal oxide-based FET biosensors.
When considering various metal oxides, In2O3 has yielded many FET biosensors with good performance.
Chen et al. [46] presented a 2D In2O3-based FET biosensor which achieved specific detection of glucose
with an extremely low limit of detection (<7 fM) and showed high sensitivity. Boronic acid and glucose,
respectively, acted as the receptor and target molecules (Figure 7a). The transfer curves in 0.1 M
buffer solution showed clear ohmic behavior at low bias voltage and all I-V curves showed a turn-on
voltage of −0.316 V with Ion/Ioff ratio of 104. The biosensor response was linearly related to glucose
concentration over a broad dynamic range from 10−11 to 10−5 M, as shown in Figure 7a. The device
performances, both with respect to dynamic range and limit of detection, of this sensor was superior to
other non-enzymatic FET glucose sensors using boronic acid as recognition molecule in conjunction
with carbon nanotubes, graphene or reduced graphene oxide as semiconductor channel.
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Figure 7. Schematic of In2O3 FET biosensors. (a) Illustration of the principle of glucose sensing on
boronic acid-functionalized surface and responses to various concentrations of glucose [46]. Reprinted
with permission from ref [46]. Copyright 2017, American Chemical Society. (b) Illustration of D-glucose
sensing via glucose oxidase to produce gluconic acid and hydrogen peroxide (left), and responses to
physiologically relevant D-glucose concentrations (right) (inset shows data from five devices) [47].
Reprinted with permission from ref [47]. Copyright 2015, American Chemical Society. Mechanism
of aptamer target-induced reorientations within or near the Debye length of semiconductor channels.
(c) Aptamers reorient closer (e.g., dopamine, glucose) to decrease transconductance (left). Transfer
curves of glucose aptamer–FETs showed reductions in source-drain currents (right), (d) Aptamers
reorient away from semiconductor channels (e.g., serotonin, S1P) to increase transconductance (left).
Transfer curves of S1P aptamer–FET transfer curves increased in response to target concentrations
(right). Reprinted with some changes from ref [115]. Reprinted with permission from ref [115].
Copyright 2018, Science.
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The Tseng group from the University of California, Los Angeles (UCLA) [47] demonstrated an
In2O3-based FET biosensor with ultrathin polyimide (PI) film as a substrate for conformal bioelectronics.
The enzymatic oxidation of D-glucose with glucose oxidase was applied to specifically detect only
D-glucose not L-glucose with a low driving voltage. The mobility and and Ion/Ioff ratio of the
In2O3-based FET biosensor were 20 cm2 V−1 s−1 and larger than 107, respectively. The sensor detected
physiologically relevant D-glucose concentrations (Figure 7b). The mechanism of glucose sensing
was based on the protonation of In2O3 surface by gluconic acid produced during glucose oxidase
catalyzed oxidation of D-glucose. The reported biosensor has the potential for applications in wearable,
non-invasive health-monitoring technologies such as glucose levels in tears.

Highly sensitive In2O3-based FET biosensors with DNA aptamers for the detection of small
electroneutral molecules, such as dopamine, glucose, serotonin, and sphingosine-1-phosphate (S1P) in
undiluted physiological fluids of high-ionic strength was reported by the Weiss group from UCLA [115].
The DNA aptamers for the target compounds were selected by solution-phase systematic evolution of
ligands by exponential enrichment (SELEX) and immobilized on the semiconductor In2O3 sensing
channel. The sensing mechanism was the modulation in the gate conductance of the device as a result
of a target-induced change in the confirmation of negatively charged phosphodiester backbones of
immobilized aptamers. For example, when the glucose aptamer-FET was exposed to glucose, charged
backbones of aptamers moved closer to the semiconductor channel causing an increase in electrostatic
repulsion and a decrease of device transconductance (Figure 7c). On the other hand, S1P aptamers
moved away from the channel surface when target S1P was captured by the aptamers, resulting in an
increase of the device transconductance (Figure 7d). The integration of highly sensitive In2O3-based
FET and specific stem-loop receptor overcame the limitations of traditional FET biosensors in detecting
molecules/targets in high ionic strength solutions because of shielding created by the electrical double
layer, i.e., Debye length and/or small molecules with no or few charges.

Balendhran et al. [45] reported a liquid exfoliation method to obtain 2D α-MoO3 nanoflakes
with lateral dimensions in the range 50–150 nm. Then, a MoO3 electron conduction channel was
drop-casted on a rough alumina substrate to obtain a FET biosensor for bovine serum albumin detections.
The platform showed a fast response time of less than 10 s and LOD of 250 μg/mL. As more attention
has been paid in 2D metal oxide materials, they will provide great opportunities in the detection of
biomolecule applications.

3.4. h-BN

Hexagonal boron nitride has a similar chemical structure to graphene and has a stoichiometry of
1:1 of B and N. With the help of the covalent B-N bond, the localized electronic state provides h-BN
with a high band gap from 5 eV to 6 eV and thereby excellent electrical insulation properties [116].
Like most 2D materials, single- or few-layer h-BN can be produced by either exfoliating from bulk
crystals of boron nitride or by the CVD method [117]. The excellent electrical insulation property makes
2D h-BN a perfect alternative dielectric for layered 2D material based heterostructures and has recently
exhibited considerable improvements on channel mobility [118,119]. Dean et al. [120] fabricated and
characterized graphene on h-BN substrates devices. Nanosheets h-BN were produced from bulk
single-crystal h-BN by exfoliation. Its one-atom structure contributed to the smooth surface and reduced
roughness compared to SiO2. Then, graphene was transferred by a typical polymethylmethacrylate
(PMMA)-based method to build graphene/h-BN heterostructures. Electronic transport measurement
results showed super excellent hall mobility of monolayer graphene device (140,000 cm2 V−1 s−1) which
could compare with SiO2 supported devices. In another report by Joo et al. [121], the heterostructure
device of 2D MoS2 on h-BN substrate was found to have much higher n-doping effect compared
to MoS2 directly on SiO2/Si substrate. This was attributed to the h-BN layer helping reduce the
oxygen p-doping with SiO2, thereby lowering Schottky barrier height in MoS2/hBN heterostructure.
Similarly, h-BN/MoS2/h-BN heterostructure was reported by Saito et al. [122] as well. When the
conductance characterization was conducted within the linear region, hysteresis was small enough
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to be negligible. Meanwhile, in the nonlinear, hysteresis behaviors could be detected under dark
condition. They also reported the illumination effects on the hysteric behaviors. When conductance
characteristics operated under illumination, hysteric behaviors in the nonlinear region disappeared.
The above results, while they do not present specific examples of applications of h-BN-based biosensors,
provide illustrations of potentials of heterostructures of h-BN with other 2D materials in construction
of biosensors with ultrahigh sensitivity.

4. Summary, Challenges and Future Perspectives

FET biosensors are very promising for clinical applications as early diagnostic tools, due to their
high sensitivity, rapid response, low power operation, label-free working environment, and feasibility
for commercialization. The semiconducting channel of nanomaterials plays a crucial rule in the sensing
process, and alongside the recognition element, they determine the sensing characteristics of a FET
biosensor. Graphene has shown to be successful as a channel material due to its 2D layered structure,
high surface area, and very high charge carrier mobility. However, this success is limited, as graphene
has no intrinsic band gap, i.e., semimetallic, which lowers its current switching ratio (Ion/Ioff ratio is 1
to 2), and, in role, lowers the sensitivity of its corresponding graphene-FET biosensors. Other materials
such as SiNWs and CNTs were reported as promising FET sensing channel materials in a huge number
of studies, however, they suffer from difficulty in achieving high reproducibility, as discussed in the
introduction of this article.

Keeping all that in mind, non-carbon 2D materials, which include TMDCs, BP, 2D metal oxides,
h-BN, and others, represent the new candidates. Figure 8 is a schematic diagram summarizing the
different types of non-carbon 2D materials used in FET biosensors and highlighting their advantages,
disadvantages and future perspectives. Semiconducting TMDCs are the most promising among them,
due to their 2D layered structure, relatively high stability, high surface area, and considerably high
current switching ratio of 103–107 that increases the corresponding TMDC-FET sensor sensitivity and
enables much lower limit of detection. Mono-to-few layer BP is another new promising material for FET
biosensors, as it has a higher charge carrier mobility compared to TMDCs, and a higher conductivity
with a lower band gap. BP has a lower Schottky barrier due to its better wavefunction matching
with metal contacts. Non-carbon-FET biosensors for the detection of nucleic acids, proteins, cancer
biomarkers, glucose, and others, have been successfully conducted on a lab scale. However, much
effort is still required to reach clinical applications. The main challenges are in achieving the stability
and reproducibility of these 2D-FETs devices, as well as the materials and devices fabrication methods.
CVD is a promising method for the synthesis of TMDCs, but it lacks the high reproducibility from a
batch to another and results in device-to-device variation. The variation can be due to changes in grain
size, level of defects, film continuity, and more. Moreover, transferring the CVD-synthesized materials
to the desired substrate, to build the FET sensor, introduces many defects that negatively affect the
device performance. Chemical and liquid phase exfoliation methods are promising in terms of scaling
up, but the drop-casting of the materials on the surface of FET is not that highly reproducible either.
BP has another problem, which is its very low stability, as it degrades in air and moisture even in a few
hours. In addition, biosensor applications make materials more susceptible to degradation, as they
involve liquids in contact with these materials for a long time. Two-dimensional metal oxides-based
biosensors are very promising due to their high chemical stability, and universal surface complexation
with various receptors. In addition, metal oxides are easy to synthesize, process, and load on substrates.
However, more efforts are still needed to increase carrier mobility and improve organic/inorganic
interface compatibility. Monolayer h-BN is an excellent alternative for dielectric layers (e.g., SiO2) in
FET, where it helps reduce the oxygen p-doping of SiO2, thereby lowering Schottky barrier height, and
reduces surface roughness scattering and hence it improves the carrier mobility of the top sensing
material such as graphene or TMDCs.
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Figure 8. A schematic diagram summarizing the non-carbon 2D materials, their advantages and
disadvantages as channel materials for FET biosensor applications, and the authors perspectives
about them.

Another problem with non-carbon 2D materials can be that these materials are still new, and
their fabrications routes are not robust and clear enough to a large portion of the research community.
It is worth mentioning that the number of studies conducted on TMDCs-, BP-, or 2D metals oxides-FET
biosensors is significantly limited over the last five years. Even though, the presented limited number
of studies is mainly focused on MoS2-FETs, while the other semiconducting TMDCs, such as MoSe2,
WS2, and WSe2, were just not getting their chances yet. To overcome these problems and open the
way for their FET biosensors, more reproducible, economic, and time-saving methods still need to be
developed. A complete library of the non-carbon 2D materials, based on matching their electronic and
semiconducting properties and tabulating them for an easier choice for FETs and commercialization,
is still needed. More work should be assigned to the testing of other semiconducting TMDC materials
for FETs.
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