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Preface to "The 2nd International Electronic

Conference on Biosensors"

This book contains 17 papers presented at the 2nd International Electronic Conference on

Biosensors. The conference was held from the 14th to 18th of February 2022. The Conference offered

a unique opportunity to virtually meet with international experts in the field of biosensors. This book

of proceedings offers a widespread overview of the research status and development of biosensors in

the world.

The advancements in the biosensors research is highly interdisciplinary, producing innovative

results in different areas such as material science, chemistry, medicine, biology, microelectronics.

These were days of intense activity and involvement, which saw fruitful discussion and an

interesting exchange of ideas with a distinctly professional value.

We would like to thank all those who contributed to the success of this conference.

Giovanna Marrazza and Sara Tombelli

Editors
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Abstract: Methylmalonic acid (MMA) plays a vital role in metabolism and energy production. It has
been studied and reported as a sensitive early indicator for mild or serious Vitamin B12 deficiency.
The normal range in health people is from 0.00 to 0.40 μM. Thus, most of MMA detection research was
focused on Vitamin B12 deficiency with a small detection range. Recently, MMA has been reported to
promote tumor progression due to age-induced accumulation. It was found that MMA concentration
can reach as high as 80 μM in elderly people. MMA can be of great value as a promising biomarker
for cancer diagnostics, as well as a therapeutic target for cancer treatment. Clinical determination
of MMA concentration is by the method of gas chromatography mass spectroscopy (GCMS) or
liquid chromatography mass spectroscopy (LCMS). However, these methods require extensive
sample pre-treatment and large sample volume. They are also expensive and time-consuming.
Hence, we proposed an attractive and effective strategy to detect MMA with a broad linear range
by a low-cost molecularly imprinted polyaniline paper sensor. The polyaniline paper strip was
fabricated by a one-step solution process using MMA as the template by molecular imprinting
technology. The concentration of MMA was determined by the resistance change of the paper sensor.
A calibration curve as a function of MMA concentration in aqueous solution was acquired with a
correlation coefficient of 0.962. We demonstrated detection of the added MMA in plasma with a
wide concentration range of 0 to 100 μM with a limit of detection (LoD) of 0.197 μM. This low-cost
disposable paper sensor shows great potential in point-of-care MMA detection for cancer prognostics
and diagnostics, especially in underserved communities.

Keywords: methylmalonic acid detection; cancer biomarker; molecular imprinting; polyaniline;
paper sensor

1. Introduction

Methylmalonic acid (MMA) plays a vital role in metabolism and energy production.
It has been studied and reported that the concentration of MMA increases in blood and
urine if adequate amount of vitamin B12 is not available in the body [1,2]. Therefore, MMA
is viewed as a specific functional metabolic marker, which is a sensitive early indicator
for mild or serious vitamin B12 deficiency. The normal range in health people is from
0.00 to 0.40 μM [3]. Hence, most research in the field of MMA detection were focused on
Vitamin B12 deficiency with a small dynamic range. Recently, MMA has been reported to
promote tumor progression due to age-induced accumulation [4]. It was found that MMA
concentration can reach as high as 80 μM in elderly people. MMA can be of great value
as a promising biomarker for cancer diagnostics, as well as a therapeutic target for cancer
treatment. Thus, it is quite urgent to investigate detection of MMA with a wide detection
range, especially at high concentration conditions.

Eng. Proc. 2022, 16, 1. https://doi.org/10.3390/IECB2022-12250 https://www.mdpi.com/journal/engproc1
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Many methods have been developed to detect MMA. Clinical determination of MMA
concentration is by the method of gas chromatography mass spectroscopy (GCMS) or
liquid chromatography mass spectroscopy (LCMS) [5,6]. However, these methods require
extensive sample pre-treatment and large sample volume. They are also expensive and
time-consuming. Electrochemical sensing has been reported as one of the reliable methods
for determination of biomolecules [7,8]. However, this approach is limited by several issues.
One of the major issues during sensing the biomolecules is that they tend to undergo oxida-
tion/reduction at the closed potentials of the conventional electrodes. Furthermore, the
electrodes have a fouling effect which negatively affects the selectivity and reproducibility.
These kinds of shortcomings can be improved by modifying the electrodes that play a vital
role in the effective detection of biomolecules [9].

Molecular imprinting (MIP) is a promising process that works by the co-polymerization
of functional monomers and cross-linking agents in the presence of a template molecule or
its derivative [10,11]. The MIP approach has shown great advantages, including simple
preparation, potential reusability, and long-term stability [12]. MIP-based methods have
been demonstrated as promising approaches to various chemical/bio sensing applica-
tions [13–17]. PdAu-polypyrrole tailored carbon fiber paper electrode has been reported to
detect MMA, but it is limited by a narrow dynamic range, only from 4.01 pM to 52.5 nM [18].
A molecularly imprinted polymer modified with graphene oxide and gold nanoparticles
was also reported to detect MMA with a small linear range (<4 μM) [19]. However, these
sensors have narrow detection ranges. Furthermore, they used gold-modified electrodes
which will drastically increase the cost for each sensor.

Hence, we proposed an attractive and effective strategy to detect MMA with a broad
linear range by a low-cost MIP polyaniline (PANI) paper sensor. The concentration of
MMA was determined by the resistance change of the paper sensor. A calibration curve
as a function of MMA concentration in aqueous solution was acquired with a correlation
coefficient of 0.962. We also demonstrated detection of the added MMA in plasma with
a wide concentration range of 0 to 100 μM. This low-cost disposable paper sensor shows
great potential in point-of-care MMA detection for cancer prognostics and diagnostics.

2. Methods

2.1. Materials

MMA powder (99%) was purchased from Sigma-Aldrich (St. Louis, MO, USA). Aniline
(ACS reagent) and ammonium persulfate (APS, ACS reagent) were also purchased from
Sigma-Aldrich (St. Louis, MO, USA). Hydrochloric acid (HCl, 36–38% w/v) and acetic
acid (ACS reagent) were purchased from Macron (Center Valley, PA, USA). Polyester
paper substrates were obtained from Xerox (Norwalk, CT, USA). Silver conductive ink was
purchased from Creative Materials (Ayer, MA, USA). Human plasma derived from whole
blood donations was purchased from BioChemed Services (Winchester, VA, USA).

2.2. Synthesis of MMA Imprinted PANI on Paper Substrates

The synthesis process using MMA as the template was modified based on the fabri-
cation process of molecularly imprinted polyaniline (MIP-PANI) paper sensor reported
previously [20,21]. As control, the non-molecularly imprinted (NIP) PANI paper strips
were synthesized following the same protocol without the addition of MMA template into
the monomer solution.

2.3. Fabrication of PANI Paper Sensor

The as-prepared PANI paper strip was first attached to a piece of stencil with the
size of 1 cm × 3 cm using a double-sided tape. Copper tape were cut into pieces with
the size of 1 cm × 0.635 cm and then placed on both sides of the PANI paper strip on the
stencil as the electrodes, leaving a 1-mm gap between the PANI paper strip and each copper
electrode. The PANI paper strip and the copper electrodes were physically connected
by the conductive silver ink. The whole device was then kept at RT for at least 12 h to

2
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allow the silver ink to dry and ensure good conductivity between the paper strip and the
electrodes. The NIP-PANI paper sensors were fabricated following the same procedures
above as control.

2.4. Measurement of MMA Concentration

Aqueous solutions with various MMA concentrations were prepared with DI water.
The stock solution was prepared by dissolving 200 μM MMA in human plasma solution.
Sample solutions with a series of concentrations of 0, 20, 40, 60, 80, and 100 μM were
prepared by diluting the MMA stock solution by human plasma. Then, 10 μL of these
sample solutions were dispensed on the surface of the MMA-MIP-PANI paper sensors. The
direct current resistance (R) of the paper sensor was measured by a multimeter (8846A,
Fluke, Everett, WA, USA) before and 30 min after sample dispensing. The resistance change
of the NIP-PANI paper sensor was also recorded for each MMA concentration as control.

The MMA concentration is determined by the resistivity (ρ) change of the paper sensor
before and after exposure to the MMA sample solution. As we know, the ρ of the paper
sensor is related to R and can be described by Equation (1),

ρ = R· A
l

(1)

where A is the cross-sectional area and l is the length of the PANI paper strip between the
electrodes. Since A and l remain the same for each paper sensor before and after sample
dispensing, the R is positively proportional to the ρ of the paper sensor. As a result, the
resistivity change of the paper sensor is positively related to the resistance change of the
paper sensor. The resistance change ratio (ΔR) after and before the sample exposure is
normalized based on the MMA concentration at 0 mg/L by the following Equation (2).

ΔR = (
ρa f ter,sample

ρbe f ore,sample
)

/
(

ρa f ter,DI water

ρbe f ore,DI water
) (2)

2.5. Data Analysis

The limit of detection (LoD) of the MMA-MIP-PANI paper sensor is evaluated by the
following method. First, the limit of blank (LoB) is determined by the equation [22],

LoB = μb + σb (3)

where μb and σb are the mean value and the standard deviation of blank samples, respec-
tively. Then, the LoD is calculated by the equation [22],

LoD = LoB + σs (4)

where σs is the standard deviation of the sample with a low concentration. By plugging in
the mean value and standard deviation from the calibration curve into Equations (3) and (4),
the LoD of the MMA-MIP-PANI paper sensor can be estimated.

Each paper sensor was dispensed with the sample solution and the impedance change
of the sensor was recorded. Three repeating measurements (n = 3) on different paper
sensors were conducted on each glucose concentration. Data analysis was conducted by
the Origin software.

3. Results and Discussion

3.1. Resistance

Before measurement, the resistance of the as-prepared MMA-MIP-PANI paper sensors
were evaluated. Figure 1 shows the measured resistance of each paper sensor normalized
to the average value. This result shows that the resistance of the MMA-MIP-PANI paper
sensor was stable with small variations.

3
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Figure 1. Normalized resistance distribution of the MMA-MIP-PANI paper sensors.

3.2. MMA Detection in Aqueous Solution

As seen in Figure 2, the resistance of the MMA-MIP-PANI paper sensor increases with
the concentration of MMA, while the resistance of the NIP-PANI paper sensor kept almost
constant. According to the linear fitting by the Origin software, a calibration curve as a
function of MMA concentration in DI water was acquired with a correlation coefficient of
0.962. The resistance of the NIP-PANI paper sensor.

Figure 2. Normalized resistance ratio changes with the added MMA concentrations in DI water. Each
point with error bar represents the average of three identical measurements with its standard deviation.

3.3. MMA Detection in Plasma

Figure 3 shows that the normalized resistance ratio of MMA-MIP-PANI paper sensor
increases as the concentration of MMA increases. According to the linear fitting results,
a calibration curve as a function of MMA concentration in plasma was obtained with a
correlation coefficient of 0.987. The standard deviation of normalized resistance ratio at
0 μM was 0.0065. The mean normalized resistance ratio at 20 μM was 1.0453 with standard
deviation of 0.0066. Thus, the LoD is also estimated to be 0.197 μM by the equations
mentioned in the methods part. This result demonstrated the detection of the added MMA
in human plasma with a wide linear range from 0 to 100 μM.

4
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Figure 3. Normalized resistance ratio changes with the increased MMA concentration in plasma.
Each point with error bar represents the average of three identical measurements with its standard
deviation. Insert: a photograph of the MMA MIP-PANI paper sensor. Scale bar: 5 mm.

4. Conclusions

In summary, we proposed a simple and low-cost method for detecting MMA with
a broad linear range by polyaniline paper sensor. The polyaniline paper strip was fabri-
cated by a one-step solution process using MMA as the template by molecular imprinting
technology. The concentration of MMA was determined by the resistance change of the
paper sensor. A calibration curve as a function of MMA concentration in aqueous solution
was acquired with a correlation coefficient of 0.962. We have demonstrated detection of
the added MMA in plasma with a wide concentration range of 0 to 100 μM with a LoD of
0.197 μM. This disposable paper sensor is a promising alternative for MMA detection in
cancer prognostics and diagnostics, especially for underserved communities.

Author Contributions: Conceptualization, Z.C. and J.K.; methodology, Z.C. and T.-Y.C.; formal anal-
ysis, Z.C.; investigation, Z.C. and T.-Y.C.; writing—original draft preparation, Z.C.; writing—review
and editing, Z.C., T.-Y.C., and J.K.; supervision, J.K.; funding acquisition, J.K. All authors have read
and agreed to the published version of the manuscript.
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and the National Science Foundation (NSF) Precise Advanced Technologies and Health Systems for
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Abstract: Graphene, a 2D material with high conductivity and stability in aqueous media, could
complement silicon as raw material for sensing with transistor-based devices in liquids. Further-
more, the fabrication of graphene-based transistors is affordable with low-cost techniques such as
inkjet printing from graphene oxide (GO)-based inks. Deposited on plastic conformable substrates,
graphene-based logic gates are standing as favorable and compelling candidates in the field of
biosensing, to make electrical transduction and binary operations match with aqueous media and
facilitate diagnostic operations.

Keywords: electrolyte-gated field-effect transistors; chemical logic; reduced graphene oxide-based
inverters; sweat sensor

1. Introduction

Graphene-based transistors are well known for being ambipolar devices stable in
aqueous media, with high channel conductivity and charge carrier mobility, in comparison
with organic semiconductor-based ones [1]. Electrolyte-gated graphene-based field-effect
transistors (EG-GFETs) are composed of three electrodes, named source, drain, and gate,
as in the case of conventional FETs, but they possess a few specificities of their own [2].
First of all, graphene cannot be considered as a semiconductor regarding its electrical
behavior; in addition to that, the electrolyte separating the gate from the transistor’s
channel is easily tunable and modifiable, and that stands for both dielectric and sensing
medium [3]. This latter property is particularly remarkable as the nature of the electrolyte
induces a change in the electrochemical double-layer capacitance at the gate–electrolyte
and graphene–electrolyte interfaces, which, in turn, leads to a modification of the electrical
properties of the transistor itself [4]. The use of graphene transistors as biological or ionic
sensors has already been highly reported [5]; however, logic gates built from graphene
transistors have never been described for such purpose, even though few articles are
already revealing research interest in such devices to perform basic logic operations in
aqueous media [6]. In this study, we investigate the design of a logic gate for ion-sensing
purposes from graphene-based electrical devices on flexible substrates, to further extend
the application field to skin patches or bandage-type sensors, for instance.

2. Materials and Method

Transistors were designed with a coplanar gate configuration (Figure 1, left). The
fabrication steps, from electrode patterning by photolithography to the electrochemical
reduction of the GO ink-coated channel by drop-casting or inkjet printing method, are
described elsewhere [7]. All electrolytes used were DI-water-based solutions, containing
K+ and/or Na+ at various concentrations. Valinomycin (VMC) ion-selective membrane,
specific to K+, was deposited on the gate of each transistor by using the KELENN DMD100
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printer. The composition was adapted from the method of Kisiel et al. [8] as follows: 1.0%
(w/w) of valinomycin; 0.5% of potassium tetrakis [3,5-bis(trifluoromethyl) phenyl]borate
(KTBP) selectophore to improve VMC selectivity; 31.5% of poly (vinyl chloride) polymer
and 67.0% of 2-nitrophenyl octyl ether plasticizer in cyclohexanone instead of THF as a
solvent to prevent fast evaporation in the dispenser syringe. The conventional silicon wafer
playing the role of the substrate was replaced here by a flexible polymer foil of polyimide
to match with on-skin patch application perspectives. A commercial silver ink (purchased
from PV Nano Cell) allowed the interconnections between the transistors. All electrical
measurements were performed with a 4200-A-SCS Keithley analyzer. The biased supply
voltage to acquire inverter characteristics was applied through an external power source
(Basetech BT-305 DC).

Figure 1. Coplanar gate configuration (left) and transfer characteristics for different charges during
the electrochemical reduction process (right).

3. Results and Discussion

3.1. Electrical Characteristics of the EG-GFET Inverter

Regarding the ambipolar behavior of rGO, one expects an increase in drain current IDS,
apart from a minimum value that occurs at VGS = V0, corresponding to the situation where
the Fermi level crosses the so-called Dirac point [1]. The electrochemical reduction of GO
to rGO was controlled by measuring the amount of charge passed at a constant reduction
voltage, showing good control of the V0 = VGS (at IDS,min). V0 can be tuned as shown in
Figure 1, right; the higher the amount of charge, the less positive the value of V0. However,
even with a significant value of charge injected, V0 stays positive, which indicates that the
rGO built following this process is still p-doped [5,7].

The difference in V0 from one to another transistor may be caused by a difference in
the doping state. Therefore, a slight shift of a few tens of mV is enough to build an inverter
out of two graphene transistors made from two different reduction charges: The two gates,
as well as the drains, were connected together so that the transistor with the highest V0
acted as the p transistor and connected to VDD from its source; the second one, still p-doped
even if less, was connected to the ground and acted as the n transistor of a usual NOT gate.
The electrical characteristic of the resulting gate is shown in Figure 2.

3.2. The EG-GFET Inverter as K+ Sensor

One way to study inverters is to consider each of the transistors T1 and T2 as a variable
resistor. The competition between those two connected transistors is related to the ratio
RT1 versus RT2: when the upper transistor, connected to the biased supply voltage VDD, is
driving the device, i.e., RT1 < RT2 occurring for low input VIN, the output is connected to
the supply voltage corresponding to the ON state. On the other hand, when RT2 < RT1, the
bottom transistor connects the ground to the output resulting in the OFF state.
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Figure 2. Graphene-based inverter input (IN) versus output (OUT) characteristic. Inset: electrical
circuit with T1 (p-type, slightly reduced) and T2 transistors (“n-type-like”, more reduced; see text
for explanation).

It is clearly evident from above that different reduction levels lead to a shift in the V0
of the two transistors; however, this shift can also be obtained by changing the capacitance
at the gate–electrolyte interface, which is the way that we investigated in order to build a
proper sensor out of the rGO inverter.

Functionalization of the gate electrode with ionophores or other specific hydrogel
modifies the capacitance at the gate–electrolyte interface that induces a change in the
effective gate voltage at the input of the modified transistor.

Figure 3 gives an example of ion sensing with rGO transistors, as the transfer charac-
teristic is directly impacted by a change in the concentration of K+ ions of the electrolyte,
from 10−6 to 10−4 M, with a VMC gate-modified transistor.

Figure 3. Transfer characteristic of VMC-modified rGO-EGFET for two different concentrations of K+ ion.

We plan to use the rGO-based inverters to assist ion sensing, following the above-
mentioned principle, which consists of performing the switch from OFF state to ON state,
for a fixed VIN, owing to the capacitance changes occurring at the gate–electrolyte interface
of one of the two transistors, resulting in a change in the V0 value. In this configuration, the
ion concentration involved in the capacitance change is standing for the input information
of the sensor. The main interest of sensing with inverters instead of isolated transistors is to
take advantage of the Boolean algebra applied to graphene logic gates, which could allow
us to design complex circuits stable in aqueous media and thus to perform chemical logic,
which is an ingenious method to produce basic mathematical operations in solution, or,
more concretely, to obtain a unique sensor built from the output responses of several ones
in the same medium.
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4. Conclusions

In this study, we reported a way to perform ion sensing with the most elementary
logic gate—the inverter—from two interconnected transistors. To overcome heavy and
costly processes of graphene deposition, we formulated a graphene oxide surfactant-free
ink that can be directly inkjet printed on the channel. As an ongoing study, we are currently
investigating the way to make the inverter switch occur, thereby estimating the sufficient
threshold value of capacitance or ion concentration change needed to change from OFF to
ON output state, through both experimental work and simulation.
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Abstract: Metallic nanoparticles are usually applied in biosensors as catalysts and/or mediators
of electron transfer. We describe the development of amperometric biosensors (ABSs) based on
oxidases and nanoparticles of CuCe (nCuCe). nCuCe, being an electro-active mediator and active
peroxidase (PO) mimetic, was used as an H2O2-sensing platform in oxidase-based ABSs. ABSs for
glucose, primary alcohols, methyl amine, catechol, and L-arginine, which are based on corresponding
oxidases and nCuCe, were developed. These ABSs exhibited improved analytical characteristics
in comparison with the appropriate bi-enzyme ABSs containing natural PO. Including electrode-
posited porous gold in the chemo-sensing layer was shown to increase significantly the sensitivities
of all constructed ABSs.

Keywords: electroactive nanoparticles; peroxidase-like nanozyme; oxidases; porous gold;
amperometric biosensors

1. Introduction

Metallic nanoparticles have wide potential practical applications in various fields of
science and industry. In biosensorics, they usually act as mediators in electron transfer
and/or catalysts (nanozymes, NZ) [1–5].

NZs are the newest class of functional nanomaterials [3–7] that have enzyme-like
activities with different reaction specificities. NZs possess increased stability and greater
availability due to their simpler preparation technologies. Most reported NZs are mainly
mimetics of oxidoreductases, including peroxidase (PO) [7–9].

PO catalyzes the oxidation of diverse organic compounds, using H2O2 as the electron
acceptor [8]. Many natural enzymes (oxidases) produce H2O2 as a byproduct of their
enzymatic reactions, so the detection of a target substrate can be performed by measuring
H2O2 generation. Over the last few years, a number of reports have described the applica-
tion of various PO-like NZs for H2O2 detection using different sensors [10–14]. The main
peculiarities of PO-like NZs as catalysts are that they have high stability, sensitivity, and
selectivity to H2O2 in extra-wide linear ranges. PO-like NZs coupled with natural oxidases
are widely used in amperometric oxidase-based biosensors (ABSs) [1–3,7–10].

In our earlier works, different types of chemically and “green” synthesized PO-like
NZs were described [9,10]. Nanoparticles of CuCe (nCuCe) were chosen as effective
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electroactive PO-mimetics and were characterized using scanning electron microscopy
(SEM) coupled with X-ray microanalysis (SEM-XRM) [9,15]. Our results demonstrated that
the synthesized nCuCe, having an excellent sensitivity and a wide linear range for H2O2
detection, may be promising artificial POs for the development of oxidase-based ABSs.
nCuCe were successfully used for the construction of Arg-sensitive ArgO-based ABSs [15].

A number of approaches have been proposed for improving the analytical character-
istics of ABSs. One of them is increasing the effective working surface of the electrode in
order to obtain maximal electroactive sites for the immobilization of biocatalysts, including
enzymes and NZs [7,8].

Micro/nanoporous gold (npAu), because of its high surface area-to-volume ratio,
excellent conductivity, chemical inertness, physical and chemical stability, biocompatibility,
high area, electrochemical activity, easily tunable pores, and plasmonic properties, may
be promising in medicine for diagnostics and drug delivery, in energy storage, and in
sensing and biosensing. A lot of synthetic methods for obtaining npAu have been reported,
including deallying, templating, sputtering, self-assembling, and electrodeposition [16,17].
The last method is the most popular.

The aim of the current study was to fabricate and characterize highly sensitive ABSs
using various oxidases as biorecognition elements with nCuCe as an electroactive mimetic
of PO and electrodeposited npAu as an effective carrier of enzymes/NZs with a highly
advanced surface area [16,17].

2. Materials and Methods

2.1. Reagents

Cerium(IV) bicarbonate(Ce(HCO3)4), copper(II) sulfate (CuSO4), L-arginine (Arg),
methylamine (MA), ethanol, methanol, o-dianisidine, hydrogen peroxide (H2O2, 30%),
hydrogen tetrachloroaurumate(III) H[AuCl4], D-glucose, sodium sulfide (Na2S), ammonia
chloride (NH4Cl), Nafion (5% solution in 90% low-chain aliphatic alcohols), Horse radish
peroxidase (PO, EC 1.11.1.7) from Armoracia rusticana (500 U·g−1), glucose oxidase (GO, EC
1.1.3.4) from Aspergillus niger (168 U·mg−1), and all other reagents and solvents used in this
work were purchased from Sigma-Aldrich (Steinheim, Germany).

All reagents were of analytical grade and were used without further purification. All
solutions were prepared using ultra-pure water obtained with the Milli-Q® IQ 7000 Water
Purification system (Merck KGaA, Darmstadt, Germany).

2.2. Enzymes Isolation and Purification

Electrophoretically homogeneous yeast enzymes—alcohol oxidase (AO, EC1.1.3.13),
L-arginine oxidase (ArgO, EC 1.4.3.25), methylamine oxidase (AMO, EC 1.4.3.21), and
laccase (EC 1.10.3.2) were used for amperometric biosensors fabrication.

Yeast AO was isolated from cell-free extract of the selected over-producing strain
Ogataea polymorpha C-105 (gcr1 catX) using a two-step ammonium sulfate fractionation (at
30 and 70% saturation), followed by ion exchange chromatography on DEAE-Toyopearl
650 M [18]. Purified AO with specific activity ~20 U·mg−1 of protein was kept as a
suspension in 70% sulfate ammonium and 50 mM phosphate buffer (PB) at pH 7.5 at 4 ◦C.

Fungal ArgO was isolated from an extract of the fruiting body of the wild forest
mushroom Amanita phalloides and partially purified up to ~7.9 U·g−1 of protein using a
two-step ammonium sulfate fractionation (at double 70% of saturation), followed by ion
exchange chromatography on Toyopearl DEAE-650M resin [15].

Activities of AO, ArgO, or GO were determined by the rate of hydrogen peroxide
formation in reaction with substrate (methanol, Arg, or glucose) as monitored by the
peroxidative oxidation of o-dianisidine in the presence of PO and correspondent substrates
methanol [18], Arg [15], or glucose [10].

Yeast AMO was isolated from the recombinant yeast strain Saccharomyces cerevisiae
C13ABYS86 [19]. The (His)6-tagged AMO was purified from the cell-free extract by metal-
affinity chromatography on Ni-NTA-agarose. Activity of AMO was determined by the rate of
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hydrogen peroxide formation in reaction with MA as monitored by the peroxidative oxidation
of 2,2′-Azino-bis(3-ethylbenzthiazoline-6-sulfonic acid (ABTS) in the presence of PO.

Fungal laccase was isolated from a cultural liquid of the fungus Trametes zonatus by
a two-step ammonium sulfate fractionation (up to 70% of saturation), followed by ion
exchange chromatography on Toyopearl DEAE-650M [20]. Fractions with the laccase
activity were pooled, concentrated by Millipore filter (10 kDa) up to specific activity of
enzyme ≥ 10 U·mg−1 followed by precipitation with 80% sulfate ammonium.

The activity of laccase was determined by the rate of the increase in absorbance
monitored spectrophotometrically at 420 nm (Shimadzu, Kyoto, Japan). As a substrate,
0.5 mM ABTS in 50 mM sodium acetate (NaOAc) buffer solution, pH 4.5 was used. One
unit of laccase activity was defined as the amount of the enzyme required to oxidize
1 μmole of a substrate (ε420 = 36 mM−1·cm−1) per minute at 24 ◦C.

2.3. Synthesis of Nanoparticles and Estimation of Their Pseudo-Peroxidase Activity

Nanoparticles of CuCe (nCuCe) were synthesized, as described previously [9]. The
synthesized nCuCe were collected by centrifugation. The precipitates were rinsed twice
with water and were stored as a water suspension at +4 ◦C until use.

Pseudo-peroxidase (PO-like) activity of the nCuCe was measured using the colorimet-
ric method, with o-dianisidine as a chromogenic substrate in the presence of H2O2 [9]. One
unit (U) of PO-like activity was defined as the amount of nCuCe releasing 1 μmol H2O2
per 1 min at 30 ◦C under standard assay conditions.

2.4. Apparatus

A piece of Pt wire and an Ag/AgCI/3M KCI electrode were used as the counter
and reference electrodes. 3.05 mm graphite rods (type RW001, Ringsdorff Werke, Bonn,
Germany) were used as working electrodes. They were sealed in glass tubes with epoxy
forming disk electrodes. Before sensor preparation, the graphite electrode (GE) was pol-
ished with emery paper. Amperometric measurements were carried out with a potentiostat
CHI 1200A (IJ Cambria Scientific, Burry Port, UK) in batch mode under continuous stirring
in a standard 40 mL cell at a room temperature.

A SEM microanalyser REMMA-102-02 (Lviv, Ukraine) was used for morphological
analyses of the synthesized nAu-film (nAu).

2.5. Electrodeposition of Nanoporous Gold onto Graphite Electrode

A micro/nanoporous gold (npAu) was synthesized on the surface of GE in two stages.
In the first stage, nAu was electrodeposited from a solution containing 10 mM of HAuCl4
in 2.5 M ammonia chloride, using cyclic voltammetry in the range of 0 to +800 mV with a
scan rate of 50 mV·min−1 for 25 cycles. In the second stage, the obtained modified electrode
(npAu/GE) was re-immersed in a solution of 10 mM of HAuCl4 in 2.5 M of ammonia
chloride using the potentiostatic mode at −1000 mV for 120 s. The obtained npAu/GE was
rinsed with water and equilibrated before usage in the appropriate buffer.

2.6. Immobilization of Natural and Artificial Peroxidases onto Electrode

Natural PO and the synthesized nCuCe as an artificial PO were immobilized on the
surfaces of GE or npAu/GE using the physical adsorption method. For the development of
the nCuCe/npAu/GE, an aliquot of nCuCe solution (5–10 μL) with a PO-like activity of
1 U/mL was dropped onto the surface of npAu/GE. For development of the PO/GE, an
aliquot of PO solution (5–10 μL) with an activity of 1 U/mL was dropped onto the surface
of GE. After drying the sensing film for 10 min at room temperature, the modified GE was
covered with 10 μL of 1% Nafion solution in 50 mM PB, pH7.5. The modified electrodes were
rinsed with 50 mM PB, pH 7.5, and kept in this buffer with 0.1 mM EDTA at 4 ◦C until used.
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2.7. Immobilization of Oxidases onto the Modified Electrodes

To fabricate the oxidase-based amperometric biosensors (ABS), GO, AMO, AO, ArgO,
or laccase were immobilized onto the modified GE.

A total of 5–10 μL of enzyme solution was dropped onto the dried surfaces of the
PO/GE, nCuCe/GE, or nCuCe/npAu/GE. To develop the ABSs on the base of ArgO, GO,
MAO or laccase, the dried composites were covered with a Nafion membrane, as described
in Section 2.6. To prepare 1% Nafion solution, the stock 5% solution was diluted with the
appropriate buffer: 50 mM NaOAc, pH4.5 for construction of laccase-based ABS and with
50 mM PB, pH 7.5 in other cases.

It is worth mentioning that, in the AO-based ABS, the biosensing film on the electrode
was fixed, not with Nafion, but with a dialysis membrane.

The coated bioelectrodes were rinsed with water and stored in the corresponding
buffers until use.

2.8. Measurements and Calculations

Amperometric measurements were carried out using a CHI 1200A potentiostat
(IJ Cambria Scientific, Burry Port, UK) connected to a personal computer, used in a batch
mode under continuous stirring in an electrochemical cell with a 20 mL volume at 25 ◦C.

All experiments were carried out in triplicate trials. Analytical characteristics of the
proposed electrodes were statistically processed using OriginPro 8.5 software. Error bars
represent the standard error derived from three independent measurements. Calculation of
the apparent Michaelis–Menten constants (KM

app) was performed automatically by this
program, according to the Lineweaver–Burk equation.

3. Results and Discussion

3.1. Development of Oxidase-Based Biosensors Using nCuCe and Porous Gold

We describe here the development of amperometric biosensors (ABSs) based on
oxidases and nCuCe. nCuCe, being an active PO mimetic, was used as a hydrogen peroxide-
sensing platform for oxidase-based ABSs.

To improve analytical characteristics of ABSs, namely, sensitivity, we modified the
surface of a graphite electrode (GE) with micro/nanoporous gold (npAu).

npAu has a high surface area-to-volume ratio, excellent conductivity, chemical stability,
high area, electrochemical activity, easily tunable pores, and plasmonic properties, thus, it
may be promising for use in sensing and biosensing.

npAu has the unique properties of chemical stability, a high area, and electrochemical
activity, thus it may be promising in biosensing. The principal scheme of bioelectrode
construction is presented in Figure 1.

Figure 1. Scheme of electrode modification.
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Figure 2 demonstrates the results of morphological characterization of npAu using
the SEM technique, which provides information on the size, distribution, and shape of the
tested npAu. The XRM images showed the characteristic peaks for the gold.

  
(a) (b) 

 
(c) 

Figure 2. Characteristics of the npAu SEM images (a,b); X-ray spectral microanalysis (c).

3.2. Analytical Characteristics of the Constructed Biosensors

Using GO, AO, AMO, or ArgO as biorecognition elements, nCuCe as a PO-like NZ or
as an electro-active mediator, and npAu as a carrier of enzymes/NZs, the ABSs for glucose,
primary alcohols, methyl amine, L-arginine, and catechol, respectively, were constructed
and characterized.

Figure 3 demonstrates the amperometric characteristics of the developed GO-based
ABS for glucose determination. Using the chronoamperograms at optimal working poten-
tials for the modified and control electrodes, calibration curves were plotted for analyte
determination using the developed ABSs. The same experiments were carried out with
other oxidase-based ABSs (data not shown). It is worth mentioning that the npAu/GE as
a control electrode was also tested, and no amperometric signals were detected with any
analyte addition under the chosen conditions (data not shown).

Table 1 summarizes the main bioanalytical characteristics for the developed ABSs,
which were based on the usage of various oxidases and nanomaterials. It is worth men-
tioning that nCuCe plays a dual role in the developed ABSs: for laccase it is a mediator of
electron transfer, and for other oxidases it is an artificial PO.

As can be seen in Table 1, nCuCe had a significant positive effect on sensor sensitivity
in comparison to electrodes that were not modified with nanomaterials. For example, for
AMO/nCuCe/GE and ArgO/nCuCe/GE, the sensitivities were 5-fold higher, than for the
corresponding GEs without nCuCe.

The presence of npAu was shown to provide additional contributions to improv-
ing the analytical parameters of the ABS, especially in terms of their sensitivities. For
example, the sensitivity of the GO/nCuCe/npAu/GE is 9.1-fold higher than that of the
GO/PO/GE and 5.5-fold higher in comparison to the GO/nCuCe/GE. The same tendency,
but at various levels, was demonstrated for all investigated enzymes. This fact has simple
explanation: a highly advanced surface of the npAu, having hierarchical pores of nano-
and micro-sizes with different diameters, has an enhanced working 3D surface area of
electrode. The increased surface of the modified GE leads to the enhanced adsorption of
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nanomaterials/enzymes and, thus, to improved efficiency of electron transfer in ABS in
comparison with unmodified GEs.

 
 

 
(a) (b) 

 
(c) (d) 

  

(e) (f) 
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Figure 3. Amperometric characteristics of the GO/PO/GE (a,b), GO/nCuCe/GE (c,d) and
GO/nCuCe/npAu/GE (e,f): (a,c,e) chronoamperogramms (inserted) and dependences of amper-
ometric signal on concentration of glucose; (b,d,f) calibration graphs for glucose determination.
Conditions: working potential –50 mV vs. Ag/AgCl/3 M KCl in 50 mM PB, pH 6.0. The sensing
layers contain 0.01 U of PO/PO-like activity and 0.01 U of GO.
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Table 1. Analytical characteristics of the constructed bioelectrodes based on different oxidases, natural
or artificial peroxidases, and npAu.

Bioelectrode
Potential,

mV
Sensitivity,

A·M−1·m−2
Linear Range,

μM
LOD,
μM

GO/PO/GE −50 44 50–5000 150
GO/nCuCe/GE −50 73 500–7300 150

GO/nCuCe/npAu/GE −50 400 25–2000 75.7
AMO/PO/GE −250 7 200–1700 130

AMO/nCuCe/GE −250 35 60–1700 18
AMO/nCuCe/npAu/GE −250 125 60–500 18

AO/PO/GE −50 22 130–900 39
AO/nCuCe/GE −50 32 50–2100 15

AO/nCuCe/npAu/GE −50 102 33–500 10
ArgO/PO/GE −150 24 75–1150 35

ArgO/nCuCe/GE −150 113 50–2250 15
ArgO/nCeCu/npAu/GE −150 200 100–500 33

Laccase/GE +200 2300 8–160 2
Laccase/nCuCe/GE +200 5055 3–40 1.5

Laccase/nCuCe/npAu/GE +200 9280 2–40 1

4. Conclusions

In the present work, the development of ABSs based on different oxidases and nCuCe
was described. nCuCe has a dual role being an active mimetic of PO and a mediator of
electron transfer. It was used as an electro-active mediator for laccase-based ABS and
as a PO-like NZ in ABSs, based on other oxidases, namely, GO, AO, AMO and ArgO.
The ABSs for catechol, glucose, primary alcohols, methyl amine, and L-arginine were
constructed and characterized. The developed mono-enzyme ABSs exhibited improved
analytical characteristics in comparison with the correspondent bi-enzyme ABSs, which
contained natural PO. It was demonstrated, that including electrodeposited nanoporous
gold in chemosensing layer on graphite electrode allows a significant additional increase
in ABSs sensitivity. This fact may be explained by the highly advanced surface area of
npAu due to pores of nano- and micro-sizes. Such a hierarchical porous 3D surface leads to
the enhanced adsorption of nanomaterials/enzymes and, thus, to improved efficiency of
electron transfer in ABS, in comparison with unmodified GEs.
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Abstract: Biosensors developed in yeast cells represent an attractive research area in biomedicine
because they allow for the detection of molecules of various structures and biological activities,
economically and simply, without the use of harmful radioactive materials. We focused our attention
on the identification of androgen, glucocorticoid and estrogen receptor α/β ligands using fluorescent
biosensors in yeast. Identification of compounds that modulate the activity of androgen (AR) or
estrogen receptors (ER) is one of the major goals in the design of new treatments of hormone-
dependent cancers. Similarly, glucocorticoid receptor (GR) ligands are used to treat autoimmune and
inflammatory diseases, but due to a large number of side effects and drug resistance, great effort has
been directed to finding new modulators. In this study, ligand-binding domains (LBDs) of AR, ERα,
ERβ or GR fused with yellow fluorescent protein (YFP) were expressed in Saccharomyces cerevisiae.
Recombinant yeast cells were treated with tested steroid hormone or bile acid derivatives, and, due
to the fluorescence resonance energy transfer phenomenon following ligand binding, relative binding
affinities were quantified fluorometrically. Our results show that some of the tested compounds have
moderate to high binding affinity for particular steroid receptors, similar to natural ligands, while
the affinities of other compounds were low or negligible. To elucidate the mechanisms of action
for these compounds, additional experiments are necessary, and to better understand the molecular
interactions within the ligand-binding pocket of the receptor, molecular docking analysis can be
conducted. In summary, the yeast-based biosensors used in this work have proven to be very useful
for in vitro screening of novel anticancer and anti-inflammatory drug candidates, as well as for the
elimination of compounds that do not deserve further attention and resources due to their lack of
desired bioactivities.
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Supplementary Materials: The following supporting information can be downloaded at: https:
//www.mdpi.com/article/10.3390/IECB2022-12282/s1.
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Abstract: The consumption of water contaminated with bacteria can lead to foodborne disease
outbreaks. For this reason, the development of rapid and sensitive analytical methods for bac-
teria detection is of primary importance for public health protection. Here, a miniaturized im-
munosensor based on Mach–Zehnder Interferometry for the simultaneous, real-time determination of
S. typhimurium and E. coli in drinking water is presented. For the assay, mixtures of bacteria solutions
with anti-bacteria-specific antibodies were run over the chip, followed by biotinylated anti-species-
specific antibody and streptavidin solutions. The assay was fast (10 min), accurate, sensitive (LOD:
3 × 102 cfu/mL for S. typhimurium; 2 × 102 cfu/mL for E. coli) and reproducible. The analytical
characteristics achieved combined with the small chip size make the proposed biosensor suitable for
on-site bacteria determination in drinking water samples.

Keywords: bacteria; Salmonella typhimurium; Escherichia coli; Mach–Zehnder interferometry; immunosensor

1. Introduction

The consumption of food and water contaminated with pathogens is of global inter-
est as it leads to 48 × 106 infections annually, resulting in 128,000 hospitalizations and
3000 deaths [1]. According to CDC, the estimated incidents of foodborne illness caused
by 31 pathogenic bacteria in the US amount to a total of 9 million cases per year, from
which 20% is attributed to Salmonella spp., Escherichia coli O157:H7, Staphylococcus aureus,
Clostridium perfringens, Campylobacter spp. and Shigella spp. [2]. Among them, Salmonella
typhimurium (S. typhimurium) and Escherichia coli O157:H7 (E. coli O157:H7) are both faculta-
tively anaerobic, rod-shaped, Gram-negative bacteria, belonging to the Enterobacteriaceae
family and are most frequently associated with foodborne illnesses. The ingestion of S.
typhimurium causes fever, nausea, diarrhea, stomach discomfort, vomiting, dehydration
and weakness, while E. coli may cause, on top of the aforementioned symptoms, potentially
life-threatening complications known as hemolytic uremic syndrome and hemorrhagic
colitis. In both cases, the clinical symptoms may last from 5 to 7 days [3,4]. The number
of outbreaks due to S. typhimurium and E. coli O157:H7 infections in combination with
the economic loss associated with these foodborne illnesses due to medical costs, loss of
work hours and product recalls have imposed the need for rapid diagnostic methods for
pathogen detection [5].
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The conventional methods for bacteria detection and identification are based on
culturing and plating. Those methods are reliable but include several steps, such as pre-
enrichment, selective enrichment, isolation and confirmation through biochemical and
serological tests, which are rather time consuming and require at least 5–7 days to complete.
In order to shorten the analysis time to 2–4 days, ELISA- and DNA-based methods have
been employed for bacteria identification, thus replacing the selective plating steps [6,7].

In recent years, biosensors based on electrochemical, piezoelectric or optical trans-
ducers are gaining ground in foodborne bacteria detection. Concerning electrochemical
immunosensors, devices employing amperometric, potentiometric, impedemetric and
conductimetric detection principles have been developed for detection of bacteria [8–10].
Although these sensors claim inexpensive analysis and potential for miniaturization, they
often require labels for signal enhancement to improve detection limits. Similarly, im-
munosensors based on piezoelectric phenomena are capable of label-free detection but they
lack in sensitivity [11]. On the other hand, optical biosensors utilizing different transduc-
tion principles, such as light absorbance, SPR, fluorescence, light polarization and Raman
scattering, are powerful tools for foodborne bacteria detection [12]. Optical detection pro-
vides several advantages over other transduction principles, such as less interference from
the sample and ability for direct determination of pathogens in complex matrices with
minimal sample treatment. Although SPR biosensors are widely used for label-free bacte-
ria detection, their limit of detection is usually higher than 103 cfu/mL, [13,14]. Among
the label-free biosensors, interferometric ones are the most promising bacteria detection
systems, as they offer high sensitivity and multiplexing capability for real-time determina-
tions. Recently, a bi-modal interferometric sensor, an interferometric reflectance imaging
sensor and a microcavity in-line Mach–Zehnder interferometer have been employed for
the detection of E. coli with detection limits of 40, 2.2 and 100 cfu/mL, respectively [15–17].
Moreover, another interferometric sensor based on white light reflectance spectroscopy has
been developed for the detection of S. typhimurium in drinking water samples, exhibiting a
detection limit of 320 cfu/mL [18].

In this work, a label-free optical immunosensor based on arrays of Mach–Zehnder
interferometers (MZIs) monolithically integrated onto silicon chips, which are appropriate
for multi-analyte determinations, is employed. The MZIs chips have been successfully
utilized for the determination of allergens and mycotoxins in foodstuffs, as well as for
the detection of goat milk and PDO cheeses adulteration with bovine milk [19–22]. Here,
the MZIs chips are employed, for the first time, for the simultaneous determination of
S. typhimurium and E. coli in drinking water samples. The detection of bacteria was based
on the competitive immunoassay principle through biofunctionalization of the sensing arm
of the MZIs with the lipopolysaccharides (LPS) of the two bacteria (Figure 1). Biomolecular
reactions on the LPS modified sensing arm change the effective refractive index, causing a
blue shift of the interference spectrum. The spectral shift is transformed to phase shift, and
the signal is expressed in radians. Several assay parameters were optimized aiming for fast
and sensitive simultaneous determination of both bacteria in drinking water.

 
Figure 1. Three-dimensional schematic of assay configuration for bacteria detection using the
MZI sensor.
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2. Experimental Section

2.1. Materials

Salmonella enterica serovar typhimurium (S. typhimurium, ATCC 14028) and Escherichia
coli O157:H7 (E. coli O157:H7, NCTC 12900) were kindly provided from Delta Foods S.A.
(Athens, Greece). E. coli LPS was obtained from Creative Diagnostics (Upton, NY, USA).
The goat polyclonal antibody against E. coli LPS was from Kirkegaard & Perry Lab Inc.
(Gaithersburg, MD, USA). The rabbit polyclonal antibody against S. typhimiurim LPS, don-
key anti-goat IgG antibody and donkey anti-rabbit IgG antibody were purchased from
Bio-Rad (Watford, UK). Salmonella LPS, bovine serum albumin (BSA) and 3-aminopropyl-
triethoxysilane (APTES) were purchased from Sigma-Aldrich (Darmstadt, Germany). Strep-
tavidin was from Thermo-Scientific (Waltham, MA, USA). The water used in the study
was double distilled. Donkey anti-goat IgG and donkey anti-rabbit IgG antibodies were
biotinylated according to a previously published protocol [22].

2.2. Chip Fabrication and Signal Processing

Fabrication of the chips was performed following mainstream silicon technology as
described previously [21,22]. The chip consists of an array of ten silicon nitride MZIs, each
one of them coupled with a respective silicon LED. The ten LEDs are serially turned on
and off using a multiplexer. The chip is covered by a silicon oxide cladding layer that was
selectively removed from a 600 μm long area over the sensing arm of each MZI to allow for
interaction of the waveguided photons with the spotted biomolecules onto the sensing arm.
The ten MZIs converge in a single output at the edge of the chip where the transmitted
light is collected by an external spectrometer (QE65000, Ocean Optics, Orlando, FL, USA).
The spectral shifts caused by the immunoreactions over the sensing arm of the MZIs are
continuously recorded and converted to phase shifts through discrete Fourier transform.

2.3. Chemical and Biological Functionalization of the Chip

For the chemical activation, the chips were cleaned and hydrophilized through O2
plasma treatment for 30 s. Then, they were immersed for 2 min in a 0.5% (v/v) APTES
solution, rinsed, dried under nitrogen stream and heated at 120 ◦C for 20 min. The biological
activation of the chips was performed using the BioOdyssey Calligrapher Mini Arrayer.
Hence, 3 MZIs per chip were spotted with 100 μg/mL of S. typhimurium LPS solution,
4 MZIs with 50 μg/mL of E. coli LPS solution and the remaining 3 with 100 μg/mL of BSA
solution for the determination of non-specific binding. After the completion of spotting, the
chips were incubated overnight at 4 ◦C in humidity chamber. Then, the biofunctionalized
chips were washed and incubated for 1 h in 1% (w/v) BSA in 0.1 M NaHCO3 solution to
block the non-specific binding sites on the sensing arm, rinsed with water and dried under
nitrogen stream.

2.4. Immunoassay for Bacteria Detection with MZI Immunosensor

The delivery of the samples over the chip surface was achieved through attachment
of an appropriate microfluidic module onto the chip. Then, the chip was placed on a
handling frame and inserted in the docking station of the measuring device. Prior to assay,
calibrators/samples were mixed with the antibodies against S. typhimurium and E. coli LPS
at 1:1 volume ratio and incubated for 30 min. After chip equilibration with assay buffer,
100 μL of these mixtures was run over the chip at a rate of 35 μL/min, followed by 100 μL of
biotinylated anti-species-specific antibodies and 100 μL of streptavidin solution (Figure 1).
After assay completion, a regeneration step was followed in order to remove the bound
antibodies from the biofunctionalized surface and reuse the chip for the next sample. Thus,
100 μL of 0.05 M HCl solution and 100 μL of 0.05 M NaOH solution were pumped over the
chip sequentially, and finally, 100 μL of assay buffer was flown for chip equilibration.
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3. Results

3.1. Optimization of Assay Parameters

The detection of bacteria in drinking water samples was based on the competitive
immunoassay principle. Thus, several parameters were optimized with respect to the
maximum signal and the percent signal drop obtained for certain bacteria calibrators. Firstly,
the optimum concentration of bacteria LPS for immobilization onto the sensor’s surface was
determined by running for 1 h zero calibrators over chips spotted with LPS solutions with
concentrations ranging from 5 to 200 μg/mL. As shown in Figure 2a, indicatively for E. coli
LPS, the signal increased and reached a maximum at a concentration of 50 μg/mL, whereas
for concentrations higher than 100 μg/mL the signal started to decline. Furthermore,
the sensor-to-sensor and the chip-to-chip signal variation was significantly improved
(CV < 5%) when the concentration of LPS used for coating was equal or higher than
50 μg/mL compared to the signal variations obtained from chips spotted with lower
concentrations. Thus, 50 μg/mL concentration of E. coli LPS was selected for further
experimentation. In a similar way, the optimum concentration for immobilization regarding
the S. typhimurium LPS was determined to be 100 μg/mL.
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Figure 2. (a) Signal values for zero calibrator vs. E. coli LPS concentrations used for coating and
(b) signals corresponding to zero calibrator (magenta columns) or an E. coli LPS calibrator with
concentration of 0.025 μg/mL (purple columns) obtained using different concentrations of anti-E. coli
antibody. Each point is the mean value of ten waveguides per chip ± SD.

Another parameter optimized was the concentration of the anti-bacteria antibodies in
order to select the one providing adequate signal in combination with detection sensitivity.
The concentrations tested ranged from 0.25 to 2 μg/mL for E. coli LPS, and 0.5 to 3 μg/mL
for S. typhimurium. As presented in Figure 2b, indicatively for E. coli, adequate signal
(≥1 rad) was achieved for anti-E. coli LPS concentrations ≥0.5 μg/mL. However, although
higher signals were obtained by increasing the antibody concentration, the higher detection
sensitivity was achieved for antibody concentration of 0.5 μg/mL. For S. typhimurium, the
optimum antibody concentration was 1 μg/mL.

3.2. Matrix Effect

For the determination of bacteria in drinking water samples, the effect of tap water
on the signal was investigated. For this reason, E. coli and S. typhimurium zero calibrators
were prepared in assay buffer as well as in tap water. As shown in Figure 3, indicatively
for S. typhimurium, the signal obtained from zero calibrator prepared in tap water was
similar to that of the zero calibrator prepared in assay buffer. Moreover, the calibration
curves obtained with calibrators prepared in both matrices were almost identical. Thus, the
calibrators were prepared in assay buffer.
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Figure 3. Real-time response obtained for S. typhimurium zero calibrator prepared in: assay buffer
(arrow 1 to 2); regeneration and equilibration (arrow 2 to 3); and zero calibrator in tap water (arrow 3
to 4).

3.3. Analytical Characteristics and Calibration Curves Using the MZI Chip

In Figure 4, the calibration curves for S. typhimurium and E. coli LPS are provided. The
dynamic range of S. typhimurium and E. coli LPS assays ranged from 0.005 to 1 μg/mL and
from 0.005 to 0.5 μg/mL, respectively. The limit of detection of the assays was determined
as the concentration corresponding to signal equal to -3SD of the mean zero calibrator
signals (28 replicate values from 4 chips; 7 MZIs per chip) and was 0.004 μg/mL for both
bacteria. Moreover, the limit of detection was 3 × 102 cfu/mL and 2 × 102 cfu/mL for
S. typhimurium and E. coli, respectively. The accuracy of the assay was also determined
through recovery experiments. For this reason, tap water was spiked with three different
bacteria concentrations. The recovery values ranged from 91 to 112%, indicating the high
accuracy of the assay performed using the MZI chip. The repeatability of the assay was
determined using tap water samples spiked with four different concentrations of the
bacteria. The intra-assay coefficients of variation (CVs) were calculated after repetitive
measurements of the tap water samples during the same day, whereas the inter-assay CVs
were determined by measuring the tap water samples in seven different days in a period of
one month and were less than 5% and 7%, respectively.

 
(a) (b) 

Figure 4. Calibration curves of (a) S. typhimurium LPS and (b) E. coli LPS. (Sx/S0) × 100 represents
the percent ratio of each calibrator signal (Sx) to the zero calibrator signal (S0). Each point is the mean
value of seven waveguides per chip ± SD.

25



Eng. Proc. 2022, 16, 5 6 of 7

4. Conclusions

The simultaneous determination of S. typhimurium and E. coli in drinking water using
the MZI immunosensor chips was presented. The sensor provided real-time detection of
the two bacteria in 10 min, employing a three-step assay configuration. The assay was
accurate, repeatable and sensitive with detection limits at the order of 102 cfu/mL. Thus,
it is expected that the proposed sensor could find wide application in Drinking Water
Distribution System and in low-resources environment for the fast on-site monitoring
of bacteria.
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Abstract: Bacterial contamination in food is real and presents a valid danger to human health.
Therefore, we focused on the detection of Escherichia coli and Listeria innocua with optical and acoustic
methods. In both methods, we used specific DNA aptamers as receptors. For the optical method, we
modified gold nanoparticles (AuNPs) with aptamers and analyzed the interaction of AuNPs with
bacteria by measurement of the changes in the absorbance spectrum. We also applied white light
reflectometry to measure changes in thickness on a silicon chip modified with aminylated aptamer
through silica chemistry. We also used quartz crystal microbalance (QCM) in multiharmonic mode.
In this case, the thiolated aptamers were chemisorbed at the gold layer of the quartz crystal and
the changes in resonant frequency were measured following the addition of bacteria. The limit of
detection (LOD) of the optical method using AuNPs was estimated to be 105 CFU/mL of Listeria
monocytogenes. For the reflectometric method, we were able to detect E. Coli at concentrations around
2 × 104 CFU/mL. Using TSM, we analyzed the viscoelastic properties of the aptamer layers when
they formed at the surface.

Keywords: Escherichia coli; Listeria monocytogenes; QCM; colorimetry; reflectometry

1. Introduction

Bacterial contamination in food presents a serious danger to human health. Every
year, tons of food need to be thrown out and it is estimated that billions of people get sick
from food poisoning, leading to deaths in some hundreds of thousand cases (mostly in
children) [1]. Most of the bacterial contaminations can be traced to about 20–30 pathogenic
bacteria [2,3]. In our work, we focused on the detection of Escherichia coli and Listeria
monocytogenes with optical and acoustic methods. In both methods, we used specific
DNA aptamers as receptors. Aptamers are single-stranded DNA or RNA that, in the
correct environment, folds into structures, specifically binding to a target with constant
of dissociation, Kd, around 10 nM or lower [4,5]. For the optical method, it is possible
to modify gold nanoparticles (AuNPs) with aptamers and to study the interaction of
AuNPs with bacteria by colorimetry. Aptamers also electrostatically interact with the
AuNPs without specific binding, and it is possible to increase the stability of AuNPs with
high ionic strength. The incubation of AuNPs with bacteria then removes the protecting
aptamer and, after the addition of salts, causes AuNPs aggregation. This process can

Eng. Proc. 2022, 16, 6. https://doi.org/10.3390/IECB2022-12268 https://www.mdpi.com/journal/engproc29



Eng. Proc. 2022, 16, 6 2 of 7

be measured by changes in absorbance spectra as a function of bacterial concentration.
Another optical method used was white light reflectometry. This method measures changes
in the thickness of the sensing layer deposited on a silicon chip modified with amino
group-modified aptamer through silica chemistry. In this method, the white light from an
optical wire illuminates the silicon surface and the reflected light is taken from the same
wire to a spectrometer to measure the resulting spectrum and interference pattern of the
reflected light. The mathematical model calculates changes in the apparent thickness of
the sensing layer on a SiO2 surface. We also used quartz crystal microbalance (QCM) in
a multiharmonic mode for detection bacteria. In this case, the gold surface of the piezo
crystal is modified by thiolated aptamers. Changes in resonant frequency and dissipation
served as a signal are related to the interaction of bacteria with aptamers. It seems that the
interaction of bacteria with the surface is not strictly due to the mass changes. Therefore,
we also analyzed the changes in the viscoelastic properties of the sensing layer.

2. Materials and Methods

2.1. Chemicals and Materials

HAuCl4, sodium citrate, phosphate buffer saline (PBS) tablets, TRIS-HCl, NaOH,
BS3 linker, bovine serum albumin (BSA), (3-Aminopropyl)triethoxysilane (APTES), tris(2-
carboxyethyl)phosphine (TCEP), NH3, H2O2, H2SO4, acetone, and isopropyl alcohol were
purchased from Sigma Aldrich (Darmstadt, Germany). DNA aptamers for Listeria mono-
cytogenes and E.coli were purchased from Generi Biotech, Ltd. (Hradec Králové, Czech
Republic).

2.2. Preparation of Gold Nanoparticles and Colorimetric Method

The gold nanoparticles (AuNPs) were prepared by the Turkevich method. Then,
100 mL of 0.25 mM HAuCl4 was boiled by putting it on a hotplate set to 99.9 ◦C for around
20 min under continuous mixing with a magnetic stirrer. The top of the flask was covered
with a Petri dish in order to protect the solution from external contaminants and to reduce
a loss of solvent due to evaporation. After the solution was brought to boil, 3.4 mL of
39 mM trisodium citrate was added, so that the resultant molar ratio was 1:5 of HAuCl4 to
trisodium citrate. The solution first lost its yellow color and then darkened to violet color.
This solution was maintained in boiling under mixing for around 15–20 min, after which
the solution continually changed its color to red. We then removed the solution from the
hot plate and left it to cool to room temperature. The AuNPs were stored in fridge at 4 ◦C.
This method helped to obtain AuNPs with a diameter of approximately 5 nm.

The colorimetric experiments were performed by means of Thermo Scientific Genesys
UV–vis spectrophotometer (Waltham, MA, USA). Listeria monocytogenes was prepared
in Hungarian Dairy Research Institute (Mosonmagyarovar, Hungary) using standard
microbiology methods. Escherichia coli O157:H7 was prepared in National Centre for
Scientific Research “Demokritos” (Agia Paraskevi, Greece) in Petri dishes on agar using the
standard microbiology method. Concentrations of both bacteria were determined by the
plate counting method.

2.3. Preparation of Reflectometric Surface and Method of Detection

The surface of silicone SiO2 chip was cleaned with acetone and isopropyl alcohol for
10 min during sonication. We then used acidic piranha for 20 min (1:1, H2SO4:H2O2) and
then cleaned the surface with distilled water until dry under nitrogen. The surface was then
incubated in 2% solution of APTES for 20 min. After that, it was dried with nitrogen and
put into the oven at 120 ◦C for 20 min. Then, we added 80 μL of 10 μM aptamer with 8 μL
of 600 μM BS3 linker for one hour. After this step, the surface was cleaned with distilled
water and left to incubate in TRIS buffer overnight. For blocking of the naked surface, it
was immersed into 1% BSA solution for one hour. The samples were measured in flow
by a system of visible-near infrared light source (ThetaMetrisis S.A., Athens, Greece) with
miniaturized USBE controlled spectrometer (Maya 2000 Pro; Ocean Insight, Orlando, FL,
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USA) and a reflection probe (AVANTES Inc., Broomfield, CO, USA) consisting of seven
optical fibers.

2.4. Preparation of QCM Surface and Method of Detection

The surface was cleaned using basic piranha (1:1:7, NH3:H2O2:H2O). We then applied
sodium citrate buffer (250 mM, pH 3) in the flow. After stabilization, the aptamers in a
concentration of 10 μM in a citrate buffer were added. We detected the samples in flow by
using an injection pump. The QCM crystals (Total Frequency Control, Storrington, UK)
were fitted in a quartz flow cell. The signal from the cell was taken with a SARK-110 (Seeed
Studios, Shenzhen, China) antenna analyzer.

3. Results and Discussion

First, we explored colorimetry for detection of Listeria monocytogenes. We then deter-
mined the lowest NaCl concentration (80 mM) that causes the aggregation of AuNPs.

In the next series of the experiments, we incubated AuNPs for 15 min with different
concentrations of DNA aptamers. The interaction of AuNPs with the aptamers protected
them from aggregation in the presence of 200 mM NaCl. The spectrum of such AuNPs
hardly changed with the use of aptamer concentration of 1 μM. In the next experiments,
we incubated the 1 μM aptamer with different concentrations of Listeria monocytogenes for
40 min at 37 ◦C. The sample was then centrifuged for 10 min at 14,500 rpm. Bacteria bind to
the aptamers in the sample. With increased concentration of bacteria, there is less aptamers
in the supernatant after centrifugation. The supernatant was incubated with AuNPs for
15 min and the absorbance spectrum was measured immediately after adding 80 mM NaCl
and 10 min after the addition of NaCl. Figure 1 shows the change in absorbance spectra
after addition of NaCl for different concentrations of L. monocytogenes.

Figure 1. Change in absorbance spectra of gold nanoparticles 10 min. after addition of 80 mM NaCl
for different concentrations of incubated L. monocytogenes in CFU/mL (See the legend).

Figure 2 shows the calibration curve consisting of change in absorbance (proportion of
absorbance at 519 nm and 580 nm as peaks for non-aggregated and aggregated AuNPs,
respectively) vs. concentration of bacteria. We calculated the limit of detection (LOD)
of this assay as 5.5 × 103 CFU/mL. This method can quickly and easily detect bacteria
with relatively high LOD. However, it is likely that the sensitivity of detection can be
further improved by optimization of the conditions, such as salt concentration, as well as
application of different salts, aptamer or AuNPs with another size.
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Figure 2. The plot of the ratio of absorbance at 519 nm and 580 nm (A519/A580) vs. concentration
of Listeria monocytogenes in log scale. The results represent mean±SD obtained from 3 independent
experiments. Red curve is linear fit performed by OriginPro version 7.5 (OriginLab Corporation,
Northampton, MA, USA).

In the white light reflectometry method, we modified the silicon chip with an amino
group-modified aptamers using APTES and a BS3 diester linker. Subsequently, we mea-
sured the reflection of white light from the surface of the silicon chip. After adding different
concentrations of bacteria, we were able to monitor the change in the reflected spectrum
and, using a mathematical model, we linked these changes to the variations in layer thick-
ness. Typical kinetics related to changes in the thickness of naked silicon surface and those
modified by aptamers (the naked SiO2 surface was blocked by BSA) in the presence of E.
coli are shown in Figure 3. An optical signal from bacteria can be seen for both surfaces;
however, the kinetics for blocked surface were faster. After adding different concentrations
of E. coli to the surface, we observed a 0.01–1 nm shift in the thickness depending on the
concentration of bacteria starting from 2 × 102 CFU/mL (Figure 4).

Figure 3. The kinetics of the thickness changes (Δh) obtained from reflectometry signal for SiO2

surface with and without aptamers.
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Figure 4. The kinetics of the thickness changes (Δh) obtained from reflectometric signal following the
addition of E. coli (in CFU/mL) to a surface modified by DNA aptamers. The naked SiO2 surface was
blocked by BSA and washed by TRIS buffer. The addition of bacteria is shown by arrows.

We also applied the QCM method for E. coli detection at the surface of piezo crystal
modified by DNA aptamers. For thiolated aptamers, we observed that the surface binding
was rather weak, and it was necessary to lower the pH leading to about a 10 Hz decrease in
the resonant frequency in the flow following the addition of thiolated aptamer (Figure 5).
The resulting change in frequency after the addition of around 104 CFU/mL was hard
to distinguish from the noise and drift of the QCM system. Viscoelastic analysis using
the Voinova–Voigt viscoelastic model [6] shows that the estimated height of this aptamer
is about 5 nm at layer formation and that the resulting height is below 1 nm (Figure 6).
Equations used for Voinova model are presented below:

Δ f = − 1
2πρqhq

(
ηl
δ
+ h f ρ f ω − 2h f

(ηl
δ

)2 η f ω2

μ2
f + ω2η2

f

)

ΔD =
1

2π f0ρqhq

(
ηl
δ
+ h f ρ f ω + 2h f

(ηl
δ

)2 u f ω

μ2
f + ω2η2

f

)

where ω = 2πf 0n, δ =
√

2ηl
ηl ω

, q, l, and f subscripts are designations for quartz, liquid, and
film, respectively.

The length of unfolded aptamer is around 15 nm, indicating that the aptamer at
the crystal surface is likely to be in a different conformation than the denatured random.
However, low altitude can also imply insufficient coverage (as it is an average height) or an
aptamer lying on the surface. These results are also supported by the change in viscosity
and elasticity. Shearing modulus, μ, increased after leaching from the layer, implying that
the aptamer had a greater tendency to return, implying closer association with the layer.
On the contrary, the viscosity decreased, which may mean that the aptamer is not in a
tense conformation and, thus, lies on the surface of the gold electrode. To circumvent this
problem, it is probably necessary to modify the layer with small thiol molecules in sufficient
proportion to the aptamer so that the aptamer is in a more advantageous position and has
room to bind bacteria. The optical method based on AuNPs had the highest estimated
LOD. The light reflectometry method was able to measure E. coli in the range of 103 to
104 CFU/mL; however, sensitivity as low as 100 CFU/mL can also be attained [7]. The
acoustic method provides advantages in the possibility of probing the viscoelastic changes
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in the surfaces; however, the bacteria can negatively or positively induce the changes in the
frequency, which proves a challenge when it is used as a biosensor [8,9].

Figure 5. The changes in frequency (Δf /n) and dissipation (ΔD/n) following addition of thiolated
aptamer in a concentration of 5 uM and washing the surface by citrate buffer. The results were
obtained from TSM experiment for 3rd overtone. The changes in frequency (black) and dissipation
(blue) are divided by the overtone number n=3. The moment of addition of aptamers and buffer are
shown by arrows.

Figure 6. The kinetic of changes in the thickness (h—black), viscosity (η, red), and shear modulus
(μ, blue) based on the Voinova–Voigt viscoelastic model using the data on the changes in resonant
frequency and dissipation obtained from TSM experiment.
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Abstract: This is a continuation of our research into the development of novel biosensing technologies
for early diagnostics of prostate cancer (PCa). The existing PCa diagnostics based on PSA detection
(prostate cancer antigen) in blood serum often yield controversial outcomes and require improvement.
At the same time, the long non-coded RNA transcript PCA3 overexpressed in PCa patients’ urine
proved to be an ideal biomarker for PCa diagnosis, and recent research mainly focuses on developing
biosensors for the detection of PCA3. One of the most promising directions in this research is the use
of aptamers as bio-receptors for PCA3. We demonstrated the earlier great potential of electrochemical
sensors exploiting aptamer labelled with redox group ferrocene. In this work, we use the RNA-based
aptamer specific to 227 nt fragment of lncRNA PCA3 labelled with methylene blue redox label which
offers a higher affinity to PCA3 than commonly used DNA-based aptamers. Before proceeding
with biosensing experiments, the gold screen-printed electrodes were cleaned by CV scanning in a
sulfuric acid solution, which removed surface contaminations and thus improved immobilization of
aptamers. The quality of the gold surface was assessed by contact angle measurements. Moreover, the
concentration of immobilized aptamers was optimized to achieve the best results in electrochemical
measurements. Initial tests were carried out using cyclic voltammograms (CV) measurements and
showed a correlation between oxidation/reductions peaks intensities and the concentration of PCA3.
Such experiments proved the main concept of the proposed apta-sensing, e.g., the changes of aptamer
secondary structure during binding the target (PCA3) resulting in redox labels coming closer to the
electrode surface and thus increasing the charge transfer. The lowest recorded concentration of PCA3
was 0.01 nM in CV measurements, which is close to the LDL level for this method. Much more
promising results were obtained with the electrochemical impedance spectroscopy (EIS) measure-
ments, which showed remarkable features of increasing sensitivity at low concentrations of PCA3.
The extrapolation of data below 0.05 nM level allowed estimating LDL of about 0.4 pM. The results
obtained are very encouraging and constitute a major step towards developing a simple, reliable, and
cost-effective diagnostic tool for the early detection of prostate cancer.

Keywords: prostate cancer; lncRNA PCA3 biomarker; RNA-based aptamer; electrochemical biosen-
sor; gold screen-printed electrodes; cyclic voltammograms; electrochemical impedance spectroscopy

1. Introduction

Prostate cancer (PCa), also known as adenocarcinoma, is the most common worldwide
type of cancer in men after lung cancer, and it is the second leading cause of mortality
among men [1,2]. Clinically, the standard diagnostics test for detection of PCa is based on
the detection and quantification of total serum prostate-specific antigen (tPSA) in serum,
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followed by further examinations such as digital rectal examination (DRE) and imaging
investigations if PCa is suspected [3,4]. Despite the benefits of these tests, physicians
still have difficulty identifying early-stage PCa due to its asymptomatic nature and/or
symptoms resembling benign conditions, such as prostatic hyperplasia (BPH) [5]. Further-
more, PSA testing has limits in terms of specificity, accuracy, and sensitivity [6–8]. Hence,
identifying other specific PCa biomarkers besides PSA for the detection of PCa is of high
importance [9,10]. The long non-coding RNA (lncRNA) known as PCA3 overexpressed in
PCa patients’ urine has been widely accepted as one of the specific biomarkers for malig-
nant prostate cells [11–13]. PCA3 level can predict prostatic biopsies’ outcome, especially
in combination with other PCa biomarkers such as PSA and can reduce the likelihood
of false-positive results [14–16]. Prognesa® test, approved in USA in 2012, is based on
detection of both PCA3 and PSA using quantitative nucleic acid amplification after digital
rectal examination and yields a PCA3 score (the ratio of PCA3 to PSA mRNA molecules
in urine specimens) [17,18]. However, such a test is time-consuming, expensive, and re-
quires highly skilled operators. Biosensing techniques involving aptamers as bioreceptors,
e.g., single-stranded RNA or DNA molecules with high affinity for target molecules, are
alternatives to well-established immunosensors. A GC3 RNA aptamer against the 277 nt
section of lncRNA transcript PCA3 was developed using SELEX process and reported by
Marangoni et al. [19]. According to this study, the GC3 aptamer showed the highest affinity
towards PCA3. From the transducer point of view, electrochemical sensors are the most
attractive because of their high sensitivity, simplicity of operation and low cost [20–22].
The concept of detection of PCA3 using specific DNA-based aptamers labelled with redox
group (ferrocene) was explained and proved in our recent publications [23,24].

This work is a further study of the implementation of electrochemical sensing com-
bined with redox-labelled aptamers for the detection of PCA3. Here, we used the original
GC3 RNA-based aptamer, which is supposed to provide higher specificity towards PCA3
target. It is also labelled with another redox chemical, e.g., methylene blue. Two electro-
chemical methods of cyclic voltammetry (CV) and electrochemical impedance spectroscopy
(EIS) were exploited here using screen-printed gold electrodes (SPGE) and interdigitated
gold electrodes (IDGE), respectively, and compared the sensitivity of detection with so-far
published papers. The properties of the gold surface of these electrodes and its effect on
electrochemical measurements were also assessed in this study. CV is a common electro-
chemical method for analysing redox reactions at the electrode surface [25], while EIS is a
very sensitive method capable of detecting tiny changes in a double layer on the electrode
surface [26]. The high sensitivity of EIS could be beneficial for apta-sensing and for the de-
tection of PCA3, as has been shown in [24]. The results obtained are very encouraging and
constitute a major step towards developing a simple, reliable, and cost-effective diagnostic
tool for the early detection of prostate cancer.

2. Materials and Methods

2.1. Chemicals and Reagents

The CG RNA-based aptamer reproducing the following sequence of nucleotides 5′-
AGUUUUUGCGUGUGCCCUUUUUGUCCCC-3′ published by the inventors [19] was
customised by Merck Life Science Ltd. (Dorset, UK). This aptamer has been used in our
previous work [23]. The methylene blue and thiol groups were attached to C5 and C3
termini, respectively. The target analyte, e.g., the 277 nt fragment of lncRNA PCA3 was
purchased from Eurofins Scientific (Guildford, UK branch) and prepared in PBS (pH 7.5).

HEPES binding buffer (HBB) pH 7.6, sodium phosphate di-basic (Na2HPO4), potas-
sium phosphate mono-basic (KH2PO4), potassium chloride (KCl), magnesium chloride
(MgCl2), dithiothreitol (DTT), and sodium chloride (NaCl), were procured from Sigma-
Aldrich (Gillingham, UK). All reagents were of analytical grade. The target analyte, e.g.,
the 277 nt fragment of lncRNA PCA3 was purchased from Eurofins Scientific (Guildford,
UK) and prepared in PBS (pH 7.5). All aqueous solutions were prepared using 18.2 MΩ·cm
deionized (DI) water (Millipore, Watford, UK). The methylene blue labelled CG RNA based
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aptamer [19], which was used in our previous work [23], was acquired from Merck Life
Science Ltd. (London branch, UK). The methylene blue and thiol groups were attached to
C5 and C3 termini, respectively.

2.2. Measurements and Instrumentation

Three-electrode gold screen-printed assemblies (AT) with Ag/AgCl reference elec-
trodes with 4 mm diameter working electrodes from DropSens Metrohm (Runcorn, UK)
were used for CV measurements with Dropsens potentiostat Stat8000. Voltage ranges from
−0.4 to 0.2 V with the step of 10 mV and scan rate of 40 mV/s were used. CV cycles
were recorded 5 times until the current readings were stabilized. In addition to cyclic
voltammetry, the time dependencies of cathodic current at −0.25 V were recorded on
electrodes during exposure to PCA3 of different concentrations for kinetic study of the
PCA3 to aptamer binding. Interdigitated gold electrodes having 50 fringes with the spacing
of 5 μm were used for EIS measurements with Parastate 4000 impedance analyzer. The AC
signal of 50 mV amplitude (and zero DC bias) with the frequency varied from 0.1 Hz to
100 kHz was used in these measurements. Moreover, the sessile drop method was used
in water contact angle measurements with OCA 15EC Goniometer. DI water 10 μL drops
were dispensed on top of the electrode surface, and the droplet microscopic images were
captured and analysed using built-in software.

2.3. Immobilization of Aptamers and Preparation for CV and EIS Measurements

The aptamers were immobilized on the surface of both types of electrodes (SPGE and
IDGE) following the procedure described in detail in our earlier publications [24,27]. Extra
cleaning of the electrodes method has been done using CV cleaning scans in 0.1 M H2SO4
until the gold oxide reduction peak no longer increased in size. Such treatment removes
surface contaminants without damaging the gold surface as described in [20].

This additional cleaning procedure has resulted in consistent and a smooth electrode
surface. The target analyte (PCA3) was resuspended in detection buffer (HEPES pH 7.5,
120 mm NaCl, 5 mm KCl,) at different concentrations from 100 nM down to 0.01 nM and
were used in both CV and EIS measurements.

3. Results and Discussion

3.1. Characterization of Gold Electrodes after Cleaning

Characterization of gold surface wettability before and after CV cleaning in 0.1 mM
H2SO4 solution was carried out by contact angle measurement. Figure 1a shows a typical
CV of SPGE during cleaning, similar to that described in [20]. Figure 1b shows the effect of
CV cleaning on the wettability of various gold electrodes surfaces using the contact angle
measurement data. Images of water droplets are shown below.

Figure 1. Cleaning and characterization of gold surfaces: (a) Typical CV curve of SPGE in 0.1 M
H2SO4 solution cleaning responses. (b) Results of contact angle measurements of SPGE and IDGE.
Images of water droplets are shown above.
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Since the cleaning methodology is essential, as is described in [28]. A minimum
of three sets of measurements were performed across the surface of each sample. The
homogeneity and structure of the gold electrode surface influence the peak currents in
CV and amperometry detection [29]. For this reason, the gold electrode surface must be
cleaned before the immobilization of aptamers. The final stabilized CV curve after 10 cycles
of cleaning is shown in Figure 1a. The reduction in contact angles for both electrodes AT
SPGE and IDGE after cleaning indicates better wettability of the gold surface is shown in
Figure 1b.

3.2. Electrochemical Apta-Sensing of PCA3

Typical CV curves were recorded on SPGE with immobilized aptamers before and
after exposure to PCA3 of different concentrations, as shown in Figure 2. The characteristic
oxidation and reduction peaks of methylene blue appeared on all CV curves at around
−0.2 and −0.25 V, respectively. The intensity of redox current peaks varied dramatically
depending on the concentration of PCA3 bound to aptamers. Initial peaks for aptamers
appear as small humps on CV curves. The intensity of these peaks increases progressively
with the increase in PCA3 concentration. This trend can be observed clearly on the inset in
Figure 2, showing concentration dependence of the absolute values of changes in cathodic
current at −0.25 V. The values of |ΔIc| were calculated by subtracting the baseline Ic value
for pure aptamer from Ic values corresponding to different concentrations of PCA3.

Figure 2. Typical CV curves recorded on SPGE functionalized with aptamers before and after
exposure to PCA3 of different concentrations. Inset shows the dependence of absolute values of
changes in cathodic current at −0.25 V on PCA3 concentration.

The graph in Figure 2 (inset) represents the beginning of a standard sigmoid curve.
The saturation of the sensor response could be achieved at much larger concentrations of
PCA3. At low concentrations of PCA3 the response is almost flattened between 0.05 and
0.01 nM, which means that the LDL can be estimated as 0.05 nM. This value corresponds
to 0.125 ng/mL, considering the molecular weight of about 2.5 kD for a 78 bp fragment
of lncRNA PCA3), which is close to LDL = 0.1 ng/mL evaluated previously [24] for CV
measurements for ferrocene-labelled aptamer. It should be noted that the lowest concentra-
tion of PCA3 detected on SPGE before CV cleaning was only 0.1 nM. Therefore, electrodes’
cleaning resulted in 5 to 10 folds increase in the sensitivity. The optimal concentration of
aptamers yielding less noisy CV graphs was 1 μM.
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3.3. Electrochemical Impedance Spectroscopy (EIS)

The results of EIS measurements are presented in Figure 3 as the dependencies of
the imaginary (Zim) vs real (Zre) parts of impedance known as Nyquist plots. As one
can see, all Nyquist plots recorded on IDGE with immobilized aptamers before and after
exposure to different concentrations of PCA3 appear as almost ideal semi-circles with
the anticlockwise direction of AC frequency increase. This is a clear indication of the
negligible contribution of diffusion of redox chemicals to the electrode surface, which is
obvious since the redox labels are attached to aptamers. Therefore, the behaviour of IDGE
modified with redox-labelled aptamers can be described by a simplified (without diffusion
impedance) equivalent circuit shown as an inset in Figure 3a. The sizes (diameters) of
Nyquist semi-circles correlate with the concentration of PCA3 bound to the aptamers. The
layer of fresh aptamers shows the largest diameter, which decreases with an increase in
PCA3 concentration.

 
Figure 3. (a) Nyquist graphs recorded on IDGE modified with aptamers before and after exposure to
different concentrations of PCA3. Arrow indicates the direction of frequency increase. A simplified
equivalent circuit is shown as inset. Dependencies of the resistance (b) and capacitance (c) of a double
layer on the concentration PCA3.

Analysis of Nyquist graphs is based on the formula of electrical impedance (Z) of a
simplified equivalent circuit (see inset in Figure 3a) described earlier [24]:

Z = Zre − jZim; Zre =
RDL

1 + ω2R2
DLC2

DL
+ RS ; Zim =

ωR2
DLCDL

1 + ω2R2
DLC2

DL
,

where Zre and Zim are respectively the real and imaginary parts of impedance, which
depend on the resistance and capacitance of a double layer (RDL and CDL) and bulk
resistance of the solution (RS) as well as the frequency (ω) of AC signal. Analysis of the
above equation gives at low frequencies ( ω → 0) Z0

re = RDL + RS and Zo
im = 0, while at

high frequencies ( ω → ∞ ) Z∞
re = RS and Z∞

im = 0. Therefore, the characteristic parameter
of double-layer resistance RDL can be calculated as RDL = Ro

re − Z∞
Re.
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On the other hand, the capacitance of a double layer (CDL) can be calculated from the
maximal values of Zmax

im ≈ 1/ωCDL.
The values of RDL and CDL were calculated from the Nyquist plots in Figure 3a for

all concentrations of PCA3, including zero concentration corresponding to the aptamer
layer before binding PCA3, and the results are given in Figure 3b,c. As one can see from
Figure 3b,c, the sensitivity of detection increases with the decrease in PCA3 concentration,
which is opposite to CV measurements (see inset in Figure 2). Unfortunately, it is impossible
to precisely evaluate the LDL of EIS measurements because the lowest concentration of
PCA3 was only 0.05 nM. However, it is possible to estimate the LDL from the slope of
the RDL vs CPCA3 graph at low concentrations (between 0.05 and 0 nM) in Figure 3b.
The gradient of this graph ΔCPCA3/ΔRDL = 0.05/378.7 = 1.3 × 10−4 nM/Ω, therefore
assuming the triple noise level of about 3 Ω, the LDL can be estimated as 0.4 pM. A similar
estimation of LDL can be done from the CDL vs CPCA3 graph in Figure 3c. The gradient
ΔCPCA3/ΔCDL = 0.05/2.5 = 0.02 nM/μF. Assuming the triple noise level of 0.01 μF, the
LDL of 0.2 pM can be estimated.

4. Conclusions

The results obtained in this work proved a concept of electrochemical detection of
prostate cancer marker PCA3 using RNA-based aptamers labelled with methylene blue
redox group. The mechanism of detection is based on the increasing of charge transfer be-
tween the redox label and the electrode because of aptamers engulfing the target molecules
(PCA3) and bringing redox labels (methylene blue) closer to the electrode surface. One of
the main advantages of such an approach is the absence of redox chemicals in solution,
which may allow performing tests on real samples of urine in future. Cyclic voltammogram
measurements resulted in moderate LDL values between 0.05 and 0.01 nM, similar to the
values obtained in our previous work on DNA-based aptamers labelled with ferrocene [25].
Such sensitivity should be sufficient for clinical use. However, EIS method appeared to
be much more promising because of a different nature of the sensor response having the
sensitivity increasing at low concentrations. The absence of redox chemicals in the solution
allowed using a simplified model for EIS data analysis, which resulted in a correlation
between both the resistance and capacitance of a double layer on the electrode surface and
the concentration of PCA3 consistent with the above model of aptasensing. Our estimations
showed that LDL for EIS measurements could be in sub-pM range. Additionally, some
important technological steps of sensors preparation, such as electrochemical cleaning of
gold screen-printed electrodes and optimization of the aptamer concentration for immo-
bilization on the surface of gold, were implemented. Overall, this work is a major step
towards the future development of a novel methodology of prostate cancer diagnostics.
This work is ongoing and focuses on more detailed CV and EIS measurements in a wide
range of PCA3 concentrations, statistical analysis of data, and more precise evaluation of
LDL. PCA3 detection in complex media such as urine will be attempted.
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Abstract: Since the outbreak of the COVID-19 pandemic, great emphasis has been placed on the
development of rapid virus detection devices, the principle of operation of many of which is the
detection of the virus structural protein spike. Although several such devices have been developed,
most are based on the visual observation of the result, without providing the possibility of its electrical
processing. This paper presents a biosensor platform for the rapid detection of spike proteinboth
in laboratory conditions and in swab samples from hospitalized patients. The platform consists of
a microcontroller-based readout circuit, which measures the capacitance change generated in an
interdigitated electrode transducer by the presence of the spike protein. The circuit efficiency is
calibrated by its correlation with the capacitance measurement of an LCR meter. The test result is
made available in less than 2 min through the microcontroller’s LCD screen, and at the same time, the
collected data are sent wirelessly to a mobile application interface. In this way, the continuous and
effective screening of SARS-CoV-2 patients is facilitated and enhanced, providing big data statistics
of COVID-19 in terms of space and time.

Keywords: biosensor; SARS-CoV-2; spike; screening; readout; smartphone; portable; interdigitated
electrodes

1. Introduction

The COVID-19 pandemic has proven to be a major threat to humanity. Scientists all
over the world are fighting against it, which includes developing new technologies for the
detection of SARS-CoV-2.

The standard method for virus detection is real-time PCR. Despite its high efficiency,
real-time PCR is a time-consuming and costly method. Therefore, it is important to develop
reliable devices for point of care (PoC) virus detection [1]. The most common devices used
for PoC virus screening are rapid antigen tests, which, however, show poor performance, as
they are based on visual observation of the results, meaning they only provide qualitative
results that cannot be automatically processed [2]. This gap is proposed to be filled by
biosensors that can provide an electrical measurement, meaning a faster response time,
improved sensitivity and the possibility of electronic processing of the results [3].

Even though the development of various biosensors has been reported [4–9], few have
been used as complete SARS-CoV-2 screening devices.

In our previous work, we developed a label-free SARS-CoV-2 electrochemical biosen-
sor based on the binding of the virus structural spike (S) protein to ACE2 protein [10].
ACE2 is immobilized in an interdigitated electrode (IDE) transducer [11], and the binding
of the S protein (or the virus through S protein) to ACE2 [12] results in a change in the IDE
electrical properties [13], hence its effective capacitance.

Eng. Proc. 2022, 16, 7. https://doi.org/10.3390/IECB2022-12274 https://www.mdpi.com/journal/engproc45



Eng. Proc. 2022, 16, 7 2 of 7

This paper presents the process of the evolution of the biosensor into a portable screen-
ing device for SARS-CoV-2 with smartphone readout. A portable microcontroller-based
electronic readout circuit is developed, which performs effective capacitance measurements.
The screening test results are acquired within 2 min and are made available via wireless
transmission to a mobile application.

2. Materials and Methods

2.1. Biosensor Preparation

The biosensor preparation procedure has been previously reported [10]. In brief, gold
interdigitated electrodes with an electrode length of 7 mm and an electrode surface area of
8.45 mm2 were purchased from DropSens (Asturias, Spain). On top of the electrodes, ACE2
protein was immobilized. To verify the functionality of the device, S protein was placed on
top of the biosensor, resulting in its binding to ACE2 and therefore a change in the electrical
characteristics. ACE2 and S protein were purchased from InvivoGen (San Diego, CA, USA).
All the chemicals used were purchased from Sigma-Aldrich (St. Louis, MO, USA).

2.2. Readout Circuit

An LCR meter was designed for the reading of the biosensor. The circuit could
measure capacitance ranging from 1 pF up to 3 μF. It was based on the principle illustrated
in Figure 1.

Figure 1. Working principle of the circuit.

A microcontroller unit (MCU) of the STM32 (STM32F103C8T6) family produced a
high-frequency PWM signal that is then passed to a low pass filter (LPF). The LPF was a
second-order Butterworth filter [14] with a cutoff frequency of 13 kHz. The output of the
LPF, which was either 1 kHz or 10 kHz sinewave, drove a voltage divider consisting of a
known resistor and the device under test (DUT). By measuring the amplitudes of the ADC1
and ADC2 voltages, as well as their phase difference, we could compute the impedance of
DUT based on the following formulas:

Re(Zx) =
Rdiv|V2 |(V1 cos(ϕ)− |V2|)

V1
2 − 2V1 |V2| cos(ϕ) + |V2|2

(1)

Im(Zx) =
V1Rdiv|V2 |sin(ϕ)

V1
2 − 2V1 |V2| cos(ϕ) + |V2|2

(2)

where V1 is the voltage measured by ADC1, V2 is the voltage measured by ADC2, ϕ is the
phase of V2 and the phase of V1 is 0.

In order to reduce the noise of the measurement, the amplitudes and phases of the
fundamental frequency were computed using the formula of Fourier transform. The result
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was then calculated by averaging the readings over 512 measurements and normalized by
dividing every measurement with the maximum measured value.

2.3. Mobile Application

The deployment of a mobile application for easy, simple and direct access to the
data provided by the sensor is considered necessary. In this project, a Bluetooth-based
application for Android smartphones was designed. The Android platform includes
support for the Bluetooth network stack, which allows a device to wirelessly exchange
data with other Bluetooth-compatible devices over short distances. A Bluetooth transceiver
module (HC-05), which is able to transmit data to the mobile application using the standard
Bluetooth protocol, was added to the readout circuit. As a result, the Android application
displayed the detection of S protein in the tested sample in real time. A mockup of the
developed application is illustrated in Figure 2.

Figure 2. Mobile application’s homepage; (a) sign in page; (b) registration page.

Google Android Studio was used for the development of the mobile application. Java
was chosen to be used as the programming language, as it is the most popular language at
the time of writing [15]. Regarding the graphical interface, the XML language was used.

First, the Android application allowed us to choose the appropriate Bluetooth device
(i.e., the HC-05 module). When the connection was established, the application received
the appropriate data packets in JSON format, sent from the readout circuit. Those data
packets contained the outcome of the measurement, as well as the measured value and a
timestamp. Finally, the result (positive or negative) was displayed on the screen.

3. Results and Discussion

3.1. Readout Circuit Calibration

The developed prototype board is illustrated in Figure 3. In the middle of the PCB,
the Blue Pill STM32 development board was placed, along with the HC-05 BT module on
the left, the LCD screen on top and the DIP switches for selecting the suitable range below
it. The device under test was connected on the left and right female pins of the three-pin
connector at the bottom. Lastly, on the bottom right, there are three buttons responsible for
specifying frequency and current range and for performing open circuit calibration.

The measuring circuit was calibrated by measuring commercially available capacitors
and resistors and comparing the results with those of specialized instruments. For capaci-
tance measurement calibration, an Extech LCR Meter (Extech, model 380193) was used. For
resistance measurements, a Keithley multimeter (Keithley 2000 Series) was used. Capaci-
tance measurement results are illustrated in Table 1, and resistance measurement results
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are illustrated in Table 2. It is shown that the developed circuit can measure capacitance
and resistance with high accuracy.

Figure 3. The prototype PCB; (a) Blue Pill STM32 development board; (b) HC-05 BT module; (c) LCD
screen; (d) DIP switches; (e) input pins; (f) settings buttons.

Table 1. Capacitance measurements.

Nominal Value (F) Extech 380193 (F) Prototype PCB (F) Relative Difference

10 × 10−12 7.9 × 10−12 10.5 × 10−12 24.76%

100 × 10−12 102.5 × 10−12 104.5 × 10−12 1.91%

1 × 10−9 0.981 × 10−9 0.999 × 10−9 1.8%

2.2 × 10−9 2.234 × 10−9 2.245 × 10−9 0.49%

10 × 10−9 9.879 × 10−9 9.918 × 10−9 0.39%

100 × 10−9 99.83 × 10−9 103.6 × 10−9 3.64%

1 × 10−6 0.933 × 10−6 0.935 × 10−6 0.21%

2.2 × 10−6 2.042 × 10−6 2.038 × 10−6 0.20%

3.3 × 10−6 3.116 × 10−6 3.12 × 10−6 0.13%
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Table 2. Resistance measurements.

Nominal Value (Ω) Keithley 2000 (Ω) Prototype PCB (Ω) Relative Difference

100 99.5 99.93 0.43%

1 × 103 1 × 103 998.5 0.14%

4.7 × 103 4.6063 × 103 4.615 × 103 0.19%

10 × 103 10.008 × 103 10.023 × 103 0.15%

43 × 103 43.22 × 103 43.24 × 103 0.05%

100 × 103 99.21 × 103 99.3 × 103 0.09%

1 × 106 986.0 × 103 986.2 × 103 0.02%

6.8 × 106 6.843 × 106 6.841 × 106 0.03%

10 × 106 10.16 × 106 10.186 × 106 0.26%

3.2. Device Operation with S Protein

Experiments with S protein were conducted. A 20 μL solution containing S protein
(2.5 ng/μL) in Phosphate-Buffered Saline (PBS) was placed on top of the sensor, and
the effective capacitance change over time was monitored. A second experiment was
conducted, where a 20 μL solution containing only PBS was placed on the sensor in order
to calculate the blank solution response. The normalized capacitance change over time is
illustrated in Figure 4.

Figure 4. Normalized capacitance change over time.

The measurement procedure was the following: The user has to open the Android
application and register by entering some personal information (Figure 2b) or sign in, if
the user has previously registered (Figure 2a). Then, the testing procedure begins. After
60 s of measuring with a rate of 1 sample per second, the resulting value is transmitted
to the Android application via Bluetooth. If the total capacitance change exceeds 1%, the
test is listed as positive for the SARS-CoV-2 S protein and the user receives the appropriate
response (Figure 5a). Otherwise, if the total capacitance change is below 1%, the test is
listed as negative, and the user is informed as well (Figure 5b).
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(a) (b)

Figure 5. Mobile application results; (a) test positive to S protein; (b) test negative to S protein.

4. Conclusions

In this project, a SARS-CoV-2 S protein detecting device was developed using the
ACE2-based capacitance sensor for rapid native SARS-CoV-2 detection [10]. The device
consists of a microcontroller-based electronic circuit that, as shown, can measure capacitance
and resistance change with high accuracy, and an Android application, where the test results
are transmitted via Bluetooth. In our future work, we want to conduct more experiments
and expand the device measurements to SARS-CoV-2 patient clinical samples that have
been correlated with real-time PCR.
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Abstract: Continuous monitoring is of upmost importance to manage emergency situations in
healthcare. Therefore, we investigated the use of MAX30102, a commercial photometric biosensing
module coupled to a ESP32 system-on-a-chip and its internet-of-things capabilities to continuously
gather and process peripheral oxygen levels (SpO2) and heartrates (HR) from users. Moreover, a user-
friendly graphic interface was designed and implemented, and an anatomical case was 3D printed
in thermoplastic polyester. Results showcased that the device functioned reliably, and according to
literature describing photometric sensor functioning, thereby shedding light on the use of simple and
affordable electronics for developing biosensing medical devices.

Keywords: internet-of-things; COVID-19; healthcare; medical device; bioelectronics

1. Introduction

The development of innovative and affordable biosensing platforms for continuous
biomarker monitoring is of the upmost importance for patient management during a
healthcare crisis [1]. In this regard, several authors correlated the uninterrupted checking
of patient signals to the improvement of clinical outcomes [2,3]. For instance, it has been
reported that by following peripheral oxygen levels (SpO2) and heartrates (HR), medical
staff can prevent the aggravation of the symptoms of respiratory diseases, such as the
one caused by the severe acute respiratory syndrome coronavirus 2 (SARS-CoV-2), which
reaches a critical stage upon silent hypoxia [4].

Concerning the levels of SpO2 and HR in diseases, it has been proved that respiratory
impairment reduces oxygen saturation [4,5], whilst feedback mechanisms enhance the
cardiac frequency by positive chronotropic effect [6,7]. This condition is known in many
infectious respiratory diseases, such as SARS-CoV-2, but not limited to them. It is widely
reported in literature that the drop in SpO2 and ventricular tachycardia is a strong indication
of chronic obstructive lung disease as well as other cardiopulmonary and circulatory
ailments [8,9].

The monitoring of SpO2 and HR in the clinical setting is performed by means of pulse
oximeters, which evaluate the saturation through photometric means [10]. In this sense,
the probe of the device houses two light-emitting diodes (LEDs), which emit light at 660
and 940 nm, as well as a photodiode [11]. This system is positioned so that the user’s
finger creates an interface between the LEDs and the photodiode, so that the light intensity
captured by the photodiode changes according to the concentration of oxygen in the blood
and due to the passage of blood through the finger. The resultant photoplethysmogram
allows both the mensuration of SpO2 and HR [12].
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Although simple pulse oximeters are somewhat inexpensive, the need for health
professionals to frequently check the outputs on the digital displays of these devices
implies the requirement of constant surveillance. This can become a nuisance if human
resources are limited, such as when there are many simultaneous hospitalizations, as
in the current pandemic scenario [13]. In this sense, some works have interfaced pulse
oximeters with wireless technologies, thereby allowing remote patient surveillance by
health professionals [14–16].

The combination of internet-of-things (IoT)-based communication with artificial intel-
ligence and classification tools in pulse oximeters has allowed for medical staff to better
analyze patient status, evolution, and prediction of their clinical outcomes [17,18]. Never-
theless, even though promising, the products which employ wireless technologies are still
costly, thereby hindering their acquisition by hospitals. In fact, this is further aggravated in
developing nations due to taxation and currency exchange rates for imported electronic
material [19], which therefore highlights the importance of developing innovative medical
devices capable of affordably combining IoT communications and continuous monitoring.

Therefore, owing to the relevance in developing low-cost platforms to aid the remote
surveillance of patient biomarkers, this work employed a commercial photometric module
(i.e., MAX30102) and an inexpensive low-power system-on-a-chip (SoC) microcontroller
(i.e., ESP32) in order to develop an open-open source IoT-based pulse oximeter to remotely
monitor SpO2 and HR continuously.

2. Methods

2.1. Materials

MAX30102 was used as the sensing module. This component is an integrated SpO2
and HR monitor module for low-noise electronics with built-in ambient light rejection.
MAX30102 functioning was fully validated and comprised of an optical module of
5.6 mm × 3.3 mm × 1.55 mm 14-pin with low-power HR monitor (<1 mW) and an ultra-low
shutdown current of 0.7 μA, as well as robust motion artifact resilience and −40 ◦C to
+85 ◦C operating temperature range. It could be supplied with a single 1.8 V source, or a
separate 3.3 V [20,21]. Moreover, ESP32 was also used. This component was a 32-bit, low-
cost, low-power SoC, which operates at 160 or 240 MHz, and had integrated IoT capabilities
(Wi-Fi and dual-mode Bluetooth) [22]. The board used for the project were the LILYGO®

TTGO T-Display that included the ESP32 and a 1.14-inch liquid crystal display (LCD); this
board was also capable of running on a rechargeable lithium-ion battery. Furthermore,
thermoplastic polyester (polylactic acid) (PLA) filaments were used in a custom 3D printer
in order to build and assemble the case.

2.2. Circuit Design, Firmware, and Device Construction

The overall operation of the device consisted of the signal acquisition from the user’s
fingers by MAX30102. These signals were then transmitted to the ESP32 by SPI protocol.
Moreover the MAX30102 was powered by the ESP32. The firmware in ESP32 SoC then
allowed the information to be shown on the liquid crystal display (LCD), as well as to
use ESP32 IoT capabilities to transmit data to the cloud (webserver). The firmware of the
sensor platform herein described was developed using Arduino Integrated Development
Environment (Arduino IDE). Both native and external libraries were used, such as Wi-Fi,
SPI, Wire, as well as SparkFun electronics sensor MAX30102 library. The assembly of the
device consisted of integrating both the sensing module and ESP32 SoC platform, and
connecting MAX30102 and ESP32 with jumper wires made of copper and soldering iron.
The jumper connections were 0.9 mm diameter. Furthermore, a case was designed to house
each element of the device, and prototyped by 3D printing using yellow PLA filaments.
The overall functioning of the device, and tridimensional rendering used for 3D printing
are showcased in Figure 1.

54



Eng. Proc. 2022, 16, 9 3 of 5

Figure 1. Outline of the device functioning, wherein the signals from patient’s finger are gathered by
MAX30102 and transmitted to ESP32, which both displays the information on an LCD display, as
well as sends it to the cloud using the SoC IoT capabilities. (Rendering of the model used for the 3D
printing of the device. ESP32 is housed in the wrist, while the MAX30102 is in the finger of the user.
The connections between MAX30102 and ESP32 were performed with 0.9 mm diameter jumper wires.

3. Results and Discussion

After communicating MAX30102 and ESP32, the hardware was placed in the 3D-
printed PLA case. Next, a universal serial bus (USB)-C cable was used to transfer the
firmware to the device using Arduino IDE. The prototype is showcased in Figure 2.

Figure 2. (A) Prototyped device. (B) Prototyped device on user’s wrist and finger. ESP32 is located
on the wrist portion of the device, whilst MAX30102 is located on the fingertip.

As showcased in Figure 2, the prototyped device presented the expected dimensions,
being able to properly house ESP32 SoC and MAX30102 sensing module. Each part
was firmly attached to the case; therefore, the user could freely move his hands without
risking dislodging the components. Moreover, the clip at the finger portion worked well in
attaching the fingertip of the user so that the sensor could touch the skin surface.

Furthermore, the readings of pulse oximetry were collected and compared to a stan-
dard pulse oximeter. Data was monitored both from the LCD, as well as ESP32 webserver,
being the graphical product of the webserver results depicted in Figure 3.
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Figure 3. (A) SpO2 and (B) HR Readings collected from ESP webserver. The values were in accordance
to those of a standard pulse oximeter and were plotted in real time.

The readings could be performed both in the LCD at the wrist of the user, as well as
remotely through a personal computer connected with ESP32 webserver. Both readings
were the same and showcased values akin to those provided by a standard pulse oximeter.
Considering that MAX30102 is a highly functional and reliable sensing module whose
applicability in medical devices is widely reported and of acknowledged validation, the
adequate functioning was an expected finding [13]. Moreover, the operation of the device
followed the reliability described by other authors who communicated development plat-
forms, such as the one herein used with MAX30102 [20,23]. In addition, the webserver
capabilities of ESP32 were adequate to a single-user setting, taking into account the memory
limits of this SoC.

Indeed, several developers described the easy integration of MAX30102 with
ATmega328P-based Arduino and Tensilica Xtensa LX6 microprocessor-based ESPs [14,24].
Considering that the ESP32, such as the one herein used, allows ready IoT integration due
to native wireless modules, its use is, therefore, more appropriate considering easiness of
development and use. Moreover, ESP32 is considerably less bulky than Arduino develop-
ment board, which allows for easier portability, such as by integrating the SoC on the wrist
of the user for pulse oximetry purposes.

Nonetheless, the integration of ESP32 and MAX30102 has already been described
by several developers and hobbyists due to its very easy reproduction. However, the
integration of the IoT capabilities of ESP32 has not been often reported for biosensing
purposes. In this regard, many reports described do-it-yourself prototype devices, which
were of bench-top nature, as required direct communication with computers to operate and
were not designed for portability. On the other hand, the device herein described is fully
operational and IoT-integrated with simple programing, as well as portable and anatomic,
due to the prototyped PLA case. Therefore, this work evidences how the use of simple and
affordable electronics can assist the inexpensive develop IoT-based medical devices.

4. Conclusions

This work reported the use of MAX30102, a commercial photometric biosensing
module coupled to ESP32 SoC and its IoT capabilities to continuously gather and process
SpO2 and HR from users. Results showcased that the device functioned reliably and
according to literature describing photometric sensor functioning, thereby shedding light
on the use of simple and affordable electronics for developing biosensing medical devices.
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Abstract: A simple to realize optical fiber sensor specific for uranium(VI) detection in water is
reported to demonstrate the sensing approach’s capability to determine uranyl (UO2

2+) in water
solution in the ppb range. The proposed sensor was obtained by combining a specific receptor layer
for uranium to a gold thin film at which the surface plasmon resonance (SPR) phenomenon takes
place via optical fiber. In particular, an SPR D-shaped plastic optical fiber (POF) probe was used
for signal transduction. The proposed optical-chemical sensing method is attractive because, in
principle, it can be applied directly in the field, giving an analytical response in a fast and not overly
expensive manner.

Keywords: chemical sensors; surface plasmon resonance (SPR); plastic optical fibers (POFs); uranium;
optical fiber sensors

1. Introduction

The concentration of uranium in non-contaminated environmental waters is very
low, often lower than 1 ppb in freshwater and around 3 ppb in sea water [1], so it is not
of environmental or health concern. However, it can be much higher at contaminated
sites. In particular, the by-product of the uranium enrichment process, depleted uranium,
has been applied as armor-piercing ammunition in several international military conflicts
because of its high density, hardness, and pyrophoric properties [2]. The testing and use
of such ammunitions have led to the release of depleted uranium into the environment at
several locations worldwide [3]. In this situation, the use of marker-free sensing devices for
monitoring the uranium content of natural and contaminated waters can be of particular
interest. Even if several analytical methods are currently available for the determination
of uranium at the very low concentrations present in environmental waters, the proposed
sensing method is attractive because, in principle, it can be applied on-site directly, giving
an analytical response in a faster and not overly expensive manner.

In the present investigation, an optical fiber sensor for uranyl detection in water, based
on surface plasmon resonance (SPR) transduction, is proposed. More specifically, an SPR
D-shaped plastic optical fiber (POF) [4] has been covered by a specific receptor monolayer.
This optical platform was developed by our research group more than ten years ago, and
presents advantages in terms of low cost and small dimensions with respect to the classical
Kretschman configuration [4]. It has already been applied to the detection of many different
molecular species [5]. In some cases, it has been applied to detect different metal ions, such
as copper(II) [6] and iron(III) [7]. In [6,7], strong and selective ligands for these metal ions
were fixed at the SPR interface as a monolayer.
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In this work, for the uranium(VI) detection, 11-mercaptoundecylphosphonic acid
(MUPA) was used as a receptor monolayer, which is commercially available and possesses
a sulfide terminal group that can be easily fixed to the gold surface of the SPR POF probe.
In a previous research, the same receptor has been demonstrated to be suitable for a uranyl
sensor with electrochemical transduction [8]. As a preliminary investigation, experimental
results have been reported for a uranyl sensor based on the SPR POF platform combined
with MUPA.

2. Materials and Methods

2.1. Reagents

For this study, 11-mercaptoundecylphosphonic acid (MUPA) was purchased from
Sigma-Aldrich, as was uranyl (UO2

2+) standard (uranyl nitrate, standard for ICPOES,
1000 mg L−1). The lower concentration standards were obtained daily by dilution with
Milli-Q water. Other reagents were always of the purest grade available and were used
as received.

2.2. Instruments and Experimental Setup

The same experimental setup already used in [4,6,7] was employed here. The white
light source (Halogen lamp HL-2000-LL manufactured by Ocean Optics, Dunedin, FL,
USA) presents an emission range from 360 nm to 1700 nm, whereas the spectrometer
FLAME-S-VIS-NIR-ES (manufactured by Ocean Optics, Dunedin, FL, USA) has a detection
range from 350 nm to 1023 nm. The transmission spectra were displayed by Spectra Suite
software (Ocean Optics, Dunedin, FL, USA). The spectra were normalized by the MATLAB
software (MathWorks, Natick, MA, USA) using, as reference for normalization, the spec-
trum acquired with air as a surrounding medium over the gold surface (D-POF-bare) or
MUPA-derivatized gold surface (D-POF-MUPA). All measurements were performed at
25 ◦C.

2.3. SPR-POF Platforms Preparation

The SPR platform was realized by exploiting a plastic optical fiber (POF) with a core
of poly-methylmethacrylate (PMMA) of 980 μm and a cladding of fluorinated polymer of
10 μm (a total diameter of 1 mm), embedded in a resin support and erased as previously
described [7] to produce a D-shaped region via polishing. The multilayer interface was
realized as described for similar sensors. First, a Microposit S1813 photoresist, with a
refractive index higher than that of the POF core, was deposited on the exposed POF
by spinning at 6000 rpm for 60 s and polymerizing. Then, a gold film 60 nm thick was
sputtered on the photoresist layer by a Bal-Tec SCD 500 machine.

The platforms produced in this way are indicated as SPR-D-POF-bare. The procedure
is reported schematically in Figure 1.

2.4. MUPA Deposition

The selected ligand for uranium(VI) (i.e., MUPA) was immobilized as a monolayer on
the gold surface, taking advantage of the presence of the sulfide group terminal group in
MUPA according to the procedure previously described for an electrochemical sensor of
uranyl [8]. The gold film was contacted overnight with a solution containing 2.5 mM MUPA
in water. The modified POF platform was then abundantly rinsed with ethanol and Milli-Q
water before use. The sensors produced in this way are indicated as SPR-D-POF-MUPA.

2.5. Measurements

About 50 μL of the aqueous sample solution were dropped over the flat sensing
region and incubated at room temperature for ten minutes. The spectrum was registered
and normalized, and the minimum transmission wavelength (the resonance wavelength)
was evaluated.
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Figure 1. Preparation of the SPR platform based on D-shaped POF.

The quantity of analytical interest is the resonance wavelength variations with respect
to the resonance wavelength of the blank solution (Δλris). The function Δλris versus
uranyl concentration (c) were fitted by the Hill equation [9], using the software OriginPro
(Origin Lab. Corp., Northampton, MA, USA). When the measured signal (Δλris (c)) is
directly proportional to the concentration of the analyte adsorbed on the layer in contact
with the gold surface, the response of the sensor is as follows:

Δλris (c) = λc − λ0 = Δλmax · (c/(K + c)) (1)

The symbols λc and λ0 indicate the resonance wavelength at 0 and c uranyl concentra-
tion, respectively. Δλmax is the value of the maximum resonance wavelength variation at
increasing concentration of uranyl (c) (i.e., the value at saturation when c is much lower
than K). Notice that according to the Langmuir adsorption model, K corresponds to the
reciprocal of the affinity constant of the ion UO2

2+ for MUPA forming the thin receptor
layer at the surface of gold. It can be evaluated, together with Δλmax, from Equation (1).
Conversely, Equation (1) can be used as a standardization curve once the parameters
are known.

3. Results

The optical sensitivity (bulk sensitivity) of the platforms was determined by measuring
λris at the bare platform in dielectrics with different refractive indexes, as previously
reported [4]. Water-glycerol solutions were used for this experiment, obtaining a sensitivity
of 2500 nm RIU−1 in the wavelength range considered.

The presence of the receptor layer on the gold surface was demonstrated by the SPR
method by comparing the transmission spectrum of the bare platform (SPR-D-POF-bare)
in water with that of the MUPA-derivatized platform (SPR-D-POF-MUPA) in water. An
example is reported in Figure 2, in which it is seen that the spectrum of SPR-D-POF-MUPA
normalized on the spectrum in air is similar to that of the SPR-D-POF-bare normalized
on the spectrum in air, but with the resonance wavelength shifted to higher values. This
clearly indicates the presence of some receptor molecules at the gold surface producing a
refractive index higher than that of pure water.
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Figure 2. Transmission spectra of SPR-D-POF-bare and SPR-D-POF-MUPA in water normalized to
the spectrum of the corresponding platform in air.

The spectra of SPR-D-POF-MUPA in 0.1 M NaNO3 solution containing different
concentrations of uranium(VI), normalized on the corresponding spectra in air, are reported
in Figure 3. As shown in Figure 3, when the analyte concentration increases, the resonance
wavelength increases and shifts to the right; in fact, the refractive index in contact with the
gold nanofilm increases with the uranium concentration.

Figure 3. SPR spectra obtained at different uranium concentrations (in mg L−1 (ppm)).

4. Conclusions

The developed SPR sensor for uranium(VI) is based on an optical platform that is
fast and easy to prepare, including the deposition of the receptor, a monolayer of a well-
known commercially available complexing agent for uranyl. When deposited on the gold
surface, its affinity for uranyl is sufficiently high to reach a LOD of a few μg L−1, suitable
for detection in slightly contaminated waters. However, this limit could be improved by
optimizing the procedure of the monolayer deposition in order to have a higher density of
complexing sites at the sensor surface or by selecting a stronger ligand.
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Abstract: Research on cellulose and its derivatives as biosensors is developing rapidly through the
innovation and improvement of materials, chemical synthesis, and methods of preparation and
formulation. This study presents the state of the art by introducing what has been innovated and
patented concerning cellulose-based biosensors between 2010 and 2020. More specifically, this form
of patent analysis encapsulates information that could be used as a reference by researchers in the
fields of biosensors and cellulose-based biosensing platforms, as well as those interested especially
in cellulose and its derivatives. As a result of this study, a total of 241 patent documents related to
cellulose-based biosensors were found. The United States leads the patent race in this sector. Based
on patent classifications, most patents and inventions are intended for chemical analysis of biological
materials and testing involving biospecific ligand binding methods, as well as measuring or testing
apparatus with condition measuring or sensing means. Research and development are based on the
investigating or analyzing of materials by the use of electric or electrochemical means, as well as
nanotechnology for interacting, sensing, or actuating, which are concentrated in most patents.

Keywords: cellulose; biosensors; patents; innovation

1. Introduction

Materials used for fabricating biomedical devices, such as implantable biosensors,
need to possess appropriate physical, chemical, and biological properties, depending on
specific circumstances [1]. Among a variety of materials commonly used as biosensing
platforms, cellulose and its derivatives have gained considerable attention [2,3].

Cellulose and its derivatives exhibit biologically appropriate properties which make
them suitable for biomedical applications [4–6]. Due to its promising physical and bi-
ological characteristics as well as chemical structure, cellulose has been shown to be a
multifunctional material, providing a high-quality platform to complete the immobilization
process of bioactive molecules in biosensors [7]. Nevertheless, some researchers have
investigated methods to improve cellulose properties to meet biosensing requirements and
then facilitate the applicability of cellulose in biosensing [2,8].

The first patent application concerning cellulose-based biosensors was filed in 1987
and then granted in 1991 [9]. Through this patent, Godfrey invented methods of producing
suitable polymers for use as optical structures. More specifically, the inventor proposed
new ways of applying an optical coating to the surface of a polymer-coated structure to
make surfaces suitable for use in biosensors. A claimed method in this patent suggested
that the polymer was cellulose nitrate [9].

Research on cellulose and its derivatives as biosensors is developing rapidly through
the innovation and improvement of raw materials, chemical synthesis, and methods of
preparation and formulation, with more than 200 organizations around the world currently
involved in patent activity and filings concerning cellulose-based biosensors. This trend is
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supported by cellulose’s numerous advantages in biosensing and biomedical applications.
This is also evident from the increase in the number of patent applications filed each year
worldwide in the field of cellulose-based biosensor research and development [10].

This study, in the form of patent analysis, presents the state of the art by introducing
what has been patented in relation to cellulose-based biosensors between 2010 and 2020.
Furthermore, detailed charts have been provided by determining publication year, classi-
fications, inventors, applicants, owners, and jurisdictions. Finally, a selection of relevant
granted patents and patent applications is proposed to demonstrate the innovation and
improvement of these cellulose-based biosensors.

2. Methods

2.1. Resources and Research Methods

Two databases have been used in this study: the Patentscope search service of the
World Intellectual Property Organization (WIPO) [10,11] and The Lens patent data set [12].
Different keywords related to cellulose-based biosensors were used, and patent documents
were searched according to title, abstract, and claims. The results were then filtered
to include only patent documents with a publication date between 1 January 2010 and
31 December 2020.

2.2. Analysis of the Patentability of Cellulose-Based Biosensors

As a result of the search, 241 patent documents were found. Generally, this encom-
passed patent applications and granted patents. In relation to cellulose-based biosensors,
the found patent documents have been classified as 204 patent applications and 37 granted
patents. The detailed list of these patent documents is presented in Table S1 (Supplemen-
tary Materials).

Hereinafter, the state of the art will be reviewed by introducing what has been patented
concerning cellulose-based biosensors. A detailed analysis of the patentability will be pro-
vided, with emphasis on the used cellulose and its derivatives, testing involving biospecific
ligand binding methods, and interacting, sensing, or actuating, following the publication
year, patent classifications, inventors, applicants, owners, and jurisdictions.

3. Results and Discussion

3.1. Publication Year

The publication year is the year in which a patent document (i.e., patent application,
granted patent, etc.) was published and made available to the public [13].

Concerning cellulose-based biosensors, our search found 241 patent documents be-
tween 2010 and 2020. The results encompassed 204 patent applications and 37 granted
patents. Our search found five registered patent documents for the year 2010. In contrast,
the year 2020 recorded 34 patent documents. The maximum number of granted patents
(eight) was recorded in 2018. Furthermore, the year 2020 was the year with the maximum
patent applications or patent documents, with 27 and 34, respectively, (Figure 1).

3.2. Patent Classifications

The International Patent Classification (IPC) is a code-based hierarchical system that
separates all technological domains into sections, classes, subclasses, groups, and sub-
groups. It is a global classification system that provides standardized data for categorizing
inventions and assessing their technological distinctiveness [14,15].

Concerning cellulose-based biosensors, the top 10 IPC codes between 2010 and 2020
are presented in Figure 2. The most-recorded IPC code corresponds to G01N27/327, which
is a subgroup of investigating or analyzing materials by the use of electric or electrochemical
means, such as biochemical electrodes. This subgroup alone recorded 60 patent documents.
The second most-recorded IPC code corresponds to C12Q1/00, which is a group of measur-
ing or testing processes involving enzymes, nucleic acids, or microorganisms. It concerns
measuring or testing apparatus with condition-measuring or sensing means. This group
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has 45 recorded patent documents. For more details concerning this top 10, a description of
each IPC code is shown in Table 1.

Figure 1. Evolution of patent documents (i.e., patent applications and granted patents) as a function
of the published date of cellulose-based biosensors between 2010 and 2020.

Figure 2. IPC codes (top 10) of the resulted patents as a function of patent documents of cellulose-
based biosensors between 2010 and 2020.

3.3. Inventors

An inventor is a natural person designated for a patent application [13].
Concerning cellulose-based biosensors, the top 10 inventors between 2010 and 2020

are presented in Figure 3. Jung Sung-Kwon from the Republic of Korea is ranked as the first
inventor who has recorded 15 patent documents. The inventors Cha Geun Sig and Nam
Hakhyun, from the Republic of Korea, tied for second place with 11 patent documents each.
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Table 1. Meaning of IPC codes concerning the resultant patents of cellulose-based biosensors [14].

IPC Codes Description

G01N27/327 Investigating or analyzing materials by the use of electric or electrochemical
means, such as biochemical electrodes.

C12Q1/00
Measuring or testing processes involving enzymes, nucleic acids or
microorganisms (measuring or testing apparatus with condition-measuring or
sensing means).

G01N33/543 Immunoassay and biospecific binding assay with an insoluble carrier for
immobilizing immunochemicals.

A61B5/00 Measuring for diagnostic purposes.

A61B5/145 Measuring characteristics of blood in vivo (e.g., gas concentration,
pH-value, etc.).

C12Q1/26 Measuring or testing processes involving oxidoreductase.

A61B5/1486 Measuring characteristics of blood in vivo by using enzyme electrodes (e.g., with
immobilized oxidase).

B82Y15/00 Nanotechnology for interacting, sensing or actuating.

G01N33/50 Chemical analysis of biological material (e.g., blood, urine, etc.); Testing
involving biospecific ligand binding methods; Immunological testing.

G01N27/26
Investigating or analyzing materials by the use of electric or electrochemical
means by investigating electrochemical variables or by using electrolysis or
electrophoresis.

Figure 3. Inventors (top 10) of the resulted patents as a function of patent documents of cellulose-
based biosensors between 2010 and 2020.

All found patent documents by the above three inventors concern the healthcare
companies i-Sens Inc., (Seoul, Republic of Korea) and Osang Healthcare Co. Ltd., (Dongan-
gu Anyang, Republic of Korea) as applicants and/or owners (Figures 4 and 5). i-Sens Inc.
is a healthcare company that develops, produces, and distributes medical devices. The
company’s main products include blood glucose monitoring systems, electrolyte and gas
analyzers, and immunosensors [16]. However, Osang Healthcare Co. Ltd. is a healthcare
company that manufactures and distributes medical supplies. The company produces
diagnostic biosensors for blood glucose measurements, cholesterol-measuring devices, and
other related products [17].
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Figure 4. Applicants (top 10) of the resulted patents as a function of patent documents of cellulose-
based biosensors between 2010 and 2020. * The applicant is a natural person.

Figure 5. Owners (top 10) of the resulted patents as a function of patent documents of cellulose-based
biosensors between 2010 and 2020. * The owner is a foundation or a governing body.

3.4. Applicants

In the case of a patent application, an applicant is a natural person or a legal entity
that has filed the application [13].

Concerning cellulose-based biosensors, the top 10 applicants between 2010 and 2020
are presented in Figure 4. Regarding this top 10, all applicants are considered as people
or organizations (companies and universities). As a legal entity, the healthcare company
i-Sens Inc. (Seoul, Republic of Korea) is ranked as the first applicant that has recorded nine
patent documents.

3.5. Owners

An owner is a natural person or a legal entity to whom the inventor or applicant has
assigned the right to a patent [18,19].

Concerning cellulose-based biosensors, the top 10 owners between 2010 and 2020 are
presented in Figure 5. The healthcare companies Ascensia Diabetes Care Holdings Ag.
(Basel, Switzerland) and Bayer Healthcare Llc. (Emeryville, CA, USA), as legal entities, are
ranked as the first owners who have recorded 6 patent documents each.
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3.6. Jurisdictions

A patent application can be filed at the appropriate patent office under whose juris-
diction the applicant normally resides, has his domicile, or has a place of business, or at
the place from where the invention actually originated. In several cases, related patent
applications can be filed in multiple jurisdictions [20,21].

Concerning cellulose-based biosensors, the top 10 jurisdictions between 2010 and 2020
are presented in Figure 6. The United States, through the USPTO (United States Patent and
Trademark Office), encompassed 110 patent documents with a higher patent contribution
per total of ~46%; the global system for filing patent applications, known as the Patent
Cooperation Treaty (PCT) and administered by WIPO, encompassed 73 patent documents
with a patent contribution per total of ~30%; China, through the CNIPA (China National
Intellectual Property Administration), encompassed 27 patent documents with a patent
contribution per total of ~11%; finally, the EPO (European Patent Office), through which
patent applications are filed regionally (Europe), encompassed 23 patent documents with a
patent contribution per total of ~10%.

Figure 6. Patent contribution (%) as a function of jurisdiction of filed patent applications and granted
patents of cellulose-based biosensors between 2010 and 2020. * The global system for filing patent
applications, known as the Patent Cooperation Treaty (PCT) and administered by WIPO.

4. Selection of Relevant Patents

Cellulose-based biosensors are a technological innovation in the field of nanotechnol-
ogy for sensing and analyzing by the use of electrochemical means. These cellulose-based
biosensors are developing rapidly through the improvement of materials, chemical synthe-
sis, and methods of preparation and formulation.

Table 2 presents examples of innovation and utilization of cellulose-based biosensors
as demonstrated by inventions and patents. To clarify the real status of such patents in this
area, the ones described herein are the most relevant patents focused on cellulose-based
biosensors between 2010 and 2020. The choice of these selected patent documents was
based on the most prolific countries patenting cellulose-based biosensors, as well as the
patenting levels (national, regional, and international). However, the detailed list of all
patent documents is presented in Table S1 (Supplementary Materials).
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Table 2. Selection of relevant patents for cellulose-based biosensors between 2010 and 2020.

Patent Publication Title References

WO 2010/124270 A1
Application No:

2010032329
2010-10-28 Functionalized polymer biosensor [22]

KR 20120050359 A
Application No:

20100111810
2012-05-18

Disposable biosensors made with tin
oxide-cellulose nanocomposite,

manufacturing method of the same and
measuring method using the same

[23]

US 8,349,168 B2
Application No:

201213433779
2013-01-08

Determination of blood glucose in a
small volume and in a short test time

using a chemical coating including
binders and very short read potentials

[24]

EP 2,821,497 A2
Application No:

14175390
2015-01-07 Reagent composition for biosensor and

biosensor having the same [25]

US 2018/0271423 A1
Application No:

201615764627
2018-09-27

A biosensor device to detect target
analytes, in situ, in vivo, and/or in real
time, and methods of making and using

the same

[26]

CN 111,839,532 A
Application No:

202010675959
2020-10-30 Flexible epidermal electrochemical

biosensor based on conductive hydrogel [27]

In 2010, Baker, et al., invented a novel sensor mechanism based on the aggregation
of nanoparticles for target molecule detection and quantification. The signal-enhanced
biosensor system, according to this patent, was made with a substrate that was selected
from a group consisting of, among other things, a cellulose substrate or a nitrocellulose
substrate [22].

In 2012, Kim invented a disposable biosensor made of tin oxide-cellulose nanocompos-
ite. The invented biosensor was biodegradable, biocompatible, and flexible. It was obtained
by coating tin oxide on the surface of a regenerated cellulose film and fixing the biochemical
receptor (e.g., glucose oxidase, glutaminase, asparaginase, penicillinase, nitrate reductase,
etc.) by a conventional method, such as encapsulation, covalent binding, crosslinking, and
adsorption [23].

In 2013, Wilsey invented a method for determining the concentration of glucose in a
blood sample by using sample volumes of less than a microliter, and test times within about
eight seconds of the application of the sample. The invention is related to an electrochemical
sensor comprising an array of micro-electrodes disposed on a flexible substrate. The sensor
includes a chemical coating made up of a binder and contains a set of chemicals (e.g.,
methylcellulose, hydroxyethylcellulose, carboxymethylcellulose, microcrystalline cellulose,
etc.) that react to produce an electroactive reaction product [24].

In 2015, Jeon, et al., invented a reagent composition for a biosensor having high
sensitivity, which is capable of improving analysis linearity and detecting the concentration
of a small amount of the analyte, such as glucose, by reacting with an oxidoreductase. The
invented biosensor reagent composition, according to patent claims, encompasses, amongst
other ingredients, a water-soluble polymer such as hydroxyethyl cellulose, hydroxypropyl
cellulose, carboxy methyl cellulose, and cellulose acetate [25].

In 2018, Agarwal, et al., invented a biosensor for detecting the presence of a target
analyte in a sample. Disclosed in the patent is a biosensor device for the real-time detection
of a target analyte that includes a receptor component operatively connected to a transducer
component which is adapted to interpret and transmit a detectable signal. The claimed
biosensor uses a sensing element that comprises a polymer and was selected from a group
consisting of, among others, carboxymethyl cellulose and derivatives [26].

In 2020, Pu et al., invented a flexible skin electrochemical biosensor based on a con-
ductive, cellulose-based hydrogel. The newly invented biosensor comprised a reference
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electrode, a counter electrode, a working electrode, and a signal wire, which were arranged
on the conductive hydrogel film substrate layer. The formulation of the conductive hydrogel
film substrate layer comprised mixing a zwitterionic polymer monomer, a nano-cellulose
solution, a thermal initiator, and a crosslinking agent. The working electrode was used
for measuring biomolecules, and the signal wire was connected to external equipment.
The invention improved the requirements for target molecule detection performance and
wearing comfort [27].

5. Conclusions

This study provided patentability and patent analysis of cellulose-based biosensors.
The detailed analysis concerned the period between 2010 and 2020. The publication
year, 2020, was the year with the highest patent registration, with 34 patent documents.
The United States was ranked first with 110 patent documents. Based on the IPC codes,
all filed patents concerned chemical analysis of biological materials, and testing involv-
ing biospecific ligand binding methods, as well as measuring or testing apparatus with
condition-measuring or sensing means. In addition, this study demonstrated that the
inventions included in the patents concerned cellulose formulation and the process for
preparing it, as well as devices and apparatus for manufacturing cellulose-based biosensors.
The knowledge clusters and expert driving factors of this patent analysis indicate that the
research and development were based on the investigating or analyzing of materials by the
use of electric or electrochemical means, as well as nanotechnology for interacting, sensing,
or actuating, which was concentrated in most patents.

Supplementary Materials: The following supporting information can be downloaded at: https://
www.mdpi.com/article/10.3390/IECB2022-12253/s1, Table S1: Detailed list of all patent documents
of cellulose-based biosensors between 2010 and 2020.
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Abstract: Amongst label-free optical sensors, those relying on silicon photonics are especially promis-
ing for the development of small-sized devices appropriate for applications at the point-of-need. In
this context, our work over the last 10 years has focused on the development of silicon photonic chips
that combine all optical components, both active and passive, onto the same substrate. The approach
followed for this monolithic integration, as well as the application of the different silicon photonic
chip versions as immunosensors for the determination of single or panels of analytes, related to
biodiagnostics or the food safety sector, will be presented.

Keywords: optical sensors; label-free detection; monolithic integration; biodiagnostics; food analysis

1. Introduction

Biosensors have been the subject of intensive research effort aiming to overcome the
limitations of classical analytical systems and provide solutions for on-site determinations
for more than 50 years, since the first report of Clark and Lyons [1]. As a result, an enormous
variety of biosensing principles has been developed, most of which fall into one of the
following categories: mass-sensitive, electrochemical, or optical sensors.

Optical biosensors are less vulnerable compared to mass-sensitive and electrochemical
ones to interferences from sample components, parasitic electrical signals, and fluctuations
in temperature, and therefore more suitable for point-of-need applications. In addition,
with respect to electrochemical ones, optical biosensors have the inherent advantage of
reduced crossover signals, enabling their application to the simultaneous detection of
multiple analytes (multiplexed determinations), which is of high value for fields such as
biodiagnostics and food analysis [2–4].

Independently of the transduction principle, biosensors can be also divided into two
categories depending on whether or not they implement labels for analyte determination.
Despite the fact that optical biosensors employing labels are considered, in general, more
sensitive than the label-free ones [5], they are more suited for laboratory rather than point-
of-need applications due to the size and complexity of the relative instrumentation. On
the other hand, label-free biosensors have also been improved, especially regarding their
analytical performance and detection sensitivity, which reaches in many cases that of
biosensors employing labels [2–4], as result of the progress made in the last two decades in
the field of nanotechnology.

In general, label-free sensors produce a signal when the analyte binds to the specific
recognition molecule that has been immobilized onto the transducer surface, thus enabling
the real-time monitoring of the binding reaction. This feature allows the performance of
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kinetic measurements and, usually, leads to faster assays than the label-based sensing meth-
ods. The optical label-free methods can be divided into two main categories, reflectometric
and refractometric [6].

In reflectometric sensors, the transducer consists of layers with different refractive
index, to which a layer of dielectric material and the layer of recognition molecules are
included. The most common reflectometric sensing method is the one known as reflec-
tometric interference spectroscopy (RIfS), introduced by Gauglitz et al. in 1991 [7]. The
RIfS transducer is, usually, a glass slide modified with a thin layer of transparent dielectric
material (e.g., SiO2, SiO2-Ta2O5) on top of which the specific recognition molecules are
immobilized. When white light strikes the glass substrate from the backside, the partial
beams are reflected at each interface, interfere, and create a reflectance spectrum with
alternating maxima and minima corresponding to constructive and destructive interference
of the reflected radiation. Binding reactions taking place on top of the dielectric layer
increase the optical path length, causing a shift in the reflectance spectrum, which is pro-
portional to the thickness increase and consequently to the concentration of the reacting
molecules. Over the years, several variations of the initial biosensing method have been
presented, in which the white light source and whole reflection spectrum recording were
replaced by light sources with a narrow spectral width, enabling multiplex detection in
microtiter plates or sensor arrays [8,9], as well as single-wavelength light set-ups suitable
for imaging [10]. Moreover, apart from glass, other materials have been investigated as
substrates, including porous silicon as is or in combination with dielectric materials [11,12].
White Light Reflectance Spectroscopy (WLRS) is another label-free reflectometric detection
method based on the reflection of a white light beam from a silicon chip surface with a
dielectric layer on top that is has been engineered so that the reflected spectrum to have at
least an interference fringe in the visible spectrum [13]. This sensing approach has been
applied over the years for the determination of either single or multiple analytes, related
to human disease diagnostics or food safety, using the same optical set-up; the latter was
possible through appropriate engineering of the chip [14]. Moreover, effort was devoted to
the automation of the assay and signal processing, aiming towards the development of a
small-sized device for on-site determinations [15].

Refractometric transducers rely on another transduction principle, that of evanescent
field optics. The evanescent field is generated by the electromagnetic field of the light as
it transverses a waveguide by means of total internal reflection. The main characteristic
of this field is that it extends to a depth ranging from a few tens to a few hundreds of
nanometers, depending on the waveguide material and geometry, and its intensity is
exponentially reduced as the distance from the waveguide increases. Nonetheless, the
evanescent field is very sensitive to changes in the refractive index on the waveguide surface
and can thus “sense” the interaction between molecules immobilized onto the waveguide
surface with their counterpart molecules. The change in the thickness of the biomolecular
layer influences the evanescent field and its coupling back into the waveguide, causing a
change in the intensity, polarity, or phase of the waveguided light. The major categories of
refractometric sensors include surface plasmon resonance (SPR), grating coupler, photonic
crystal, ring resonator, and interferometric sensors (Figure 1).

Surface plasmon resonance (SPR) is the most widely explored label-free optical de-
tection principle [16]. SPR biosensors are based on the immobilization of the recognition
molecule on top of a gold layer deposited on a prism, a grating coupler, or a dielectric
waveguide. Light that passes from these components and strikes the gold layer at a certain
angle can excite the free conducting electrons (plasmons) of the metal and create a surface
plasmon wave at the solution/gold interface. This wave is very sensitive to refractive index
changes at the gold layer surface, and as a result, the angle of incident light has to change
during the course of a binding reaction to preserve the surface plasmon wave. Thus, it is
possible to monitor in real time binding reactions, by monitoring the incident light reso-
nance angle. Despite the fact that SPR has found numerous applications in diverse fields
and a few companies have commercialized devices based on this transduction principle,
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the need for external optical components has restricted their miniaturization and confined
the use of SPR instruments in the lab. A way to surpass these limitations is offered by
the localized SPR or LSPR transduction approach, in which the continuous metal layer
has been replaced by metallic nanostructures (nanospheres, nanorods, or nanodisks) of
sub-wavelength size [2]. The light that strikes the nanostructures excites the metal free
electrons and when resonance is achieved, certain wavelengths are scattered from the
nanostructures. Thus, binding reactions can be monitored in real time as shifts in the
resonance wavelength. Regarding the question about which format, the classical SPR or
LSPR, is more sensitive, the literature reports show that SRP might be more sensitive than
LSPR in terms of bulk refractive index changes, while LSPR might be equally sensitive to
changes that occur in close proximity to the surface, and therefore more suitable for the
monitoring of biomolecular interactions [17].

Figure 1. Schematic presentation of label-free optical sensing methods: (a) SPR, (b) grating couplers,
(c) ring resonators, (d) photonic crystals, and (e) interferometers.

Nevertheless, the analytical performance is one only of the parameters that should
be taken into consideration when the application of a sensing system outside a laboratory
environment is sought [18]. To this end, the simplicity of the measurement procedure
(ideally, the user should only load the sample), the cost-effectiveness in terms of both
the instrumentation and the consumables required, and the ability to work with complex
matrices, but, most importantly, the potential for miniaturization are of upmost importance.
Thus, sensors based on integrated optics can be more easily downsized, integrated with
external optical components, and interconnected with fluidic and electronic modules,
and therefore are the most promising candidates for incorporation into portable devices.
Other advantages of integrated optical sensors are the high versatility of materials and
technologies available for their fabrication and the ability to create arrays of sensors suitable
for multiplex determinations [19]. Although polymers have been implemented as substrates
for the fabrication of integrated optical devices, silicon remains the material of choice for
high-performance optical devices. A short description of the detection principles of the
different integrated optical sensor categories is provided below.

2. Integrated Optical Sensors

In grating coupler sensors, the transducer is a planar waveguide with a grating on
its surface, i.e., a periodic pattern, to enable light in-coupling and transmission along
the waveguide. The light coupling is sensitive to changes in the refractive index of the
medium over the waveguide, allowing monitoring of binding reactions occurring onto
the waveguide surface by monitoring the incident light in-coupling angle. Moreover, the
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interaction of the biomolecular layer with the waveguided photons through the evanescent
wave field makes it possible to monitor its building-up by monitoring changes in the light
out-coupling angle. This latter configuration is advantageous compared to the first one
because there is no need for precision alignment of the light to the grating, thus leading to
simpler experimental set-ups [20]. Moreover, several improvements regarding the light in-
and out-coupling onto the waveguide allowed multi-analyte determinations using arrays
of grating coupler-based sensors [21].

Ring resonators combine a linear waveguide with a circular one in which the light
propagating through the linear one is coupled through the evanescent wave field and
propagates in the form of whispering-gallery modes. Changes in the refractive index on
the ring surface change the spectral position of the whispering-gallery modes and thus
resonance is achieved at a different wavelength of the incident light. The fact that the light
propagating in the ring interacts multiple times with the molecules on its surface makes
ring resonators considerably more sensitive than linear waveguides of the same length.
Sensitivity is also enhanced when, instead of a 2D format (microdisk or microring), the
resonator acquires a 3D format (microtoroid) [22].

Another category of integrated optical sensors is those based on photonic crystals,
i.e., periodical nanostructures on a crystal, which allows the propagation of selected wave-
lengths of the incident light. If a “defect” is introduced in the periodic structure, the
propagation of light is accomplished only when resonance is achieved. As this resonance
is influenced by refractive index changes around the defect area, label-free monitoring of
bioreactions taking place on the photonic crystal surface is possible. The most popular
photonic crystal sensor configuration is a waveguide with arrays of holes arranged in lines
or hexagonal lattices on which the defect is created either by missing holes in the pattern
or by changing the spacing or size of the holes at some point of the waveguide [23]. In
general, photonic crystal sensors are less sensitive compared to other types of integrated
optical transducers.

Integrated interferometers could attain several configurations, the most popular of
which are Mach–Zehnder (MZI), Young (YI), or bimodal interferometers (BI). Integrated
MZIs are linear waveguides that at some point split into two arms, the sensing and the
reference, that recombine to a single waveguide after a certain distance. The whole structure
is covered by a cladding layer, except from a part of the sensing arm, the sensing window,
that is modified with the binding molecules. When a biomolecular interaction takes place
on the sensing window, the associated change in the refractive index induces a phase
difference between the light that propagates into the sensing arm to that propagating
into the reference ones. Thus, the output light intensity has a cosine dependence to the
input light. Consequently, MZIs are more sensitive when they operate away from the
extrema of the interference spectrum, where the “sensitivity” in refractive index changes is
almost negligible. The analytical performance of sensors based on MZIs depends on the
sensing arm interaction length, the geometrical characteristics of the waveguide (symmetric
MZI with equal lengths of the sensing and the reference arm or asymmetric), and the
difference in the refractive index of the waveguide (e.g., glass, SiO2, Si3N4, polymer) and
cladding layer material (usually SiO2) [24,25]. The majority of MZI-based instruments
employ monochromatic light sources, i.e., lasers; nonetheless, to reduce the size and
complexity of instrumentation, broadband light sources have been also explored instead of
lasers. These light sources can be external [26] or integrated to the same substrate with the
transducers [27]. The latter will be further discussed in the following section.

Young interferometers are also comprise a waveguide that splits into two arms, which,
however, in contrast to MZIs, do not converge on the chip but the two light beams interfere
in free space, creating an “interferogram” that can be depicted on a CCD camera [28].
Although there is theoretical and experimental evidence that YIs can be more sensitive
for a particular application than sensors based on SPR, grating couplers, or reflectometric
interference spectroscopy (RIfS) [28], there are very few reports of biosensors based on YIs
in the literature compared to other integrated optical transducers.
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Bimodal interferometers represent a category of interferometric sensors that relies on
a single waveguide with two different light propagation zones. The first zone supports
a single mode and the second two modes (zero- and first-order modes). This means that
refractive index changes occurring at the waveguide surface, i.e., due to a biomolecular
reaction, effect a change in the interference pattern recorded at the waveguide output since
the propagation velocity of two modes depends on the refractive index of the medium
on top of the waveguide [29]. Bimodal interferometers have comparable analytical per-
formance to single-wavelength MZIs and in addition have the potential of multiplexed
determinations and integration into small-sized instruments [29].

Prior to delving further into monolithically integrated optical sensors, the principles
of immunochemical detection methods will be briefly discussed.

3. Principles of Immunochemical Detection Methods

The widespread use of antibodies as recognition elements in biosensors results from
their high selectivity and sensitivity but also from the fact they have been used for years in
standard immunochemical detection methods, as are the enzyme immunoassays performed
on microtiter plates (i.e., ELISAs). Thus, although, in principle, some optical transduction
techniques have the necessary sensitivity to monitor directly the antigen–antibody binding,
in many cases, this ability is limited to high-molecular-weight analytes, the binding of
which can cause a substantial change in sensor response. Therefore, the assay formats
usually applied in microtiter plate immunoassays are also employed in immunosensors,
namely the competitive and the non-competitive assay format (Figure 2).

Figure 2. Schematic presentation of different assay formats applied to optical immunosensors: (a) a
competitive immunoassay with the antibody immobilized onto the transducer, (b) a competitive
immunoassay with the antigen immobilized onto the transducer in form of a protein conjugate,
and (c) a non-competitive immunoassay employing a pair of antibodies, one immobilized onto the
transducer and the other for detection of analyte molecules bound onto the immobilized antibody.

Non-competitive immunoassays are better suited for low-molecular-weight analytes
such as toxins, pesticides, antibiotics, pharmaceutical residues, etc. There are two general
approaches based on immobilization onto the transducer surface of either the antigen-
specific antibody (Figure 2a) or the antigen itself (Figure 2b). In the first approach, the
antigen concentration in the samples is determined through its competition with an antigen
bound onto a carrier (usually selected to enhance the sensor signal) for coverage to the
immobilized antibody binding sites. In the second approach, the transducer is modified
with the antigen either directly or in the form of an antigen–protein conjugate. Again, deter-

79



Eng. Proc. 2022, 16, 11 6 of 12

mination of the antigen concentration in a sample is realized through its competition with
the surface-bound antigen for coverage of the antibody binding sites. In both approaches,
the signal recorded in the transducer is inversely proportional to the antigen concentration
in the sample; thus, the highest signal is received in the absence of the antigen (zero cali-
brator). Both of the above-described approaches can be applied for an antigen–antibody
pair; nonetheless, the second might be preferable when the stability of the immobilized
biomolecule is considered since low-molecular-weight antigens or their protein conjugates
are less prone to loss of functionality compared to antibodies.

The non-competitive or sandwich immunoassay format is usually followed when
the antigen has at least two antigenic determinants or epitopes in its molecule since it
requires the combination of two antibodies that do not compete with each other for binding
to the antigen. Thus, to perform a non-competitive immunoassay (Figure 2c), one of the
antibodies should be immobilized onto the transducer surface (capture antibody) and
a second one (detection or reporter antibody) is attached on a different epitope of the
surface-bound antigen molecules, forming a “sandwich”. In sensors based on label-free
transduction principles, the detection antibody might be non-labeled; however, the use
of labeled antibodies is possible even in these cases, aiming at the enhancement of the
signal derived by the binding of the detection antibody, and consequently the analytical
sensitivity of the assay, i.e., the lowest antigen concentration that can be determined.

4. Monolithically Integrated Interferometric Transducers

As discussed in Section 2, the majority of the integrated optical sensors, including the
interferometric ones, relied on external monochromatic light sources, i.e., lasers. Due to
the low light coupling efficiency to the waveguides, lasers with high intensity of emitted
light had to be implemented, which were bulky and energy-demanding. Thus, it was
almost impossible to build portable systems based on these components. To reduce the
instrumentation size, broadband light sources were coupled to integrated MZIs in an
attempt to realize sensors suitable for on-site determinations [30,31]. An external spectrum
analyzer working in the 1200–1700 nm spectral region was employed to record the output
light. Although the detection sensitivities achieved with these sensors were lower compared
to those implementing monochromatic light sources, the use of a broadband light source
solved the phase ambiguity issue of monochromatic MZI, which arises from the fact that
information might be lost if the refractive index changes resulted in phase shifts equal
to or multiple-times equal to 2π. Introduction of an on-chip optical spectral analyzer
along with an array of MZIs and a grating for broadband light in-coupling improved the
sensor performance [26,32]. Thus, a limit of detection (LOD) of 6 × 10−6 RIU in terms of
refractive index was achieved, which was comparable to the LODs of monochromatic MZIs.
Broadband light sources have been also combined with integrated Young interferometers,
for which it was predicted by simulations that the implementation of these light sources
would enable discrimination between refractive index changes caused by binding reactions
rather than medium changes [33]. These theoretical predictions have not been proved
experimentally so far.

In all efforts mentioned, the light source, either monochromatic or broadband, was
external, and additional optical components, lenses, gratings, etc., were required to couple
the light onto the integrated waveguides. The way to extract light from silicon has been
known since the 1960s [34]; however, the low intensity of these light sources, combined
with the difficulty to efficiently couple this light to waveguides made onto the same
substrate, prohibited their implementation in biosensing devices for almost 50 years. Then,
a new approach to monolithically integrate silicon waveguides, light sources, and detectors
into the same silicon substrate was introduced [35]. The integrated light source was
a silicon avalanche diode (LED), which emitted light covering all the visible and near-
infrared spectrum when reversed-biased beyond its breakdown point. The realization
of working sensors based on silicon components all fabricated onto the same substrate
required inventive solutions of two problems, the bending of the waveguides towards the
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LED and the photodetector to avoid light losses, and the alignment of the LED with the
waveguide. The process followed to solve these two problems is summarized in Figure 3.
Thus, at first, a 2-μm-thick thermally grown silicon dioxide layer was deposited on the
silicon substrate, on which the positions of the LED and photodetector were defined through
photolithography and etching of the silicon dioxide layer. To these openings, the base of
the avalanche junction (N+) and the p/n junction at the photodetector side were formed
by phosphorus implantation (Figure 3i). Then, an additional 2-μm-thick silicon dioxide
layer was created by deposition of tetraethyl orthosilicate (TEOS) (Figure 3ii). The TEOS
layer was etched in CHF3 plasma to create curvatures towards the LED and photodetector
side (Figure 3iii). Low-pressure chemical vapor deposition (LPCVD) of a silicon nitride
film with a thickness of around 150 nm was then performed using a mixture of NH3 and
SiH2Cl2 (Figure 3iv). Photolithography and etching in CHF3 plasma were applied again
to create the strip waveguides, one end of which was just above the avalanche diode base
area. Following this, the avalanche diode was created by boron implantation through the
nitride film, which acted as a mask guiding the formation of the LED immediately under
the up-going segment of the waveguide (Figure 3v). Finally, the silicon dioxide cladding
layer was formed by deposition, and etched above the waveguides to define the sensing
windows. This process resulted in less than 1-micron misalignment of the LED with respect
to waveguide and a light coupling efficiency that reached almost 40% [35].

Figure 3. Schematic of the process followed for integrated transducer fabrication: (a) formation of
avalanche diode base, (b) silicon dioxide deposition, (c) plasma etching for bending spacer creation
(d), deposition of silicon nitride film and waveguide patterning, and (e) boron implantation through
the silicon nitride film for self-aligned formation of the LED.

In the first version of monolithically integrated silicon optical sensors, the LEDs were
coupled to linear silicon nitride waveguides and signal transduction was based on moni-
toring the drop in the intensity of light transmitted through the waveguide and recorded
by the photodetector due to its interaction with light-absorbing labels attached to targeted
analytes [35,36]. Nonetheless, shortly after, the linear waveguides were replaced by MZIs,
ten of which were arranged in a fan-like way on a single chip, each one connected to its
own integrated LED and all of the them converging to the same output point [27,37,38].
Moreover, to ensure that the light transmitted was monomodal, a mode filter was intro-
duced prior to the waveguide. It was theoretically and experimentally shown using these
chips that broadband Mach–Zehnder interferometry could surpass both the phase ambi-
guity and signal fading of standard single-wavelength MZIs [27,37,38]. This was ascribed
to the fact that a given change in the refractive index of the medium above the sensing
waveguide window corresponds to a different phase shift for each wavelength, and thus
minute changes in the refractive index could be detected more accurately by processing the
full transmission spectrum rather than monitoring a single wavelength.
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Two configurations of the integrated MZIs have been realized, a fully (Figure 4a) and
a semi-integrated one (Figure 4b). The former incorporated on a single chip, along with the
integrated LEDs and the MZIs, as a detector, an integrated photodiode and had an LOD
in terms of refractive index of 1 × 10−5 RIU. This configuration was applied to monitor
binding reactions, including the interaction of immobilized biotin with streptavidin and
mouse IgG with an anti-mouse IgG antibody, with LODs of 1 nM and 10 nM for streptavidin
and anti-mouse IgG, respectively [37]. Despite the promising analytical results, it was
obvious that the fully integrated version suffered from the limitation of phase ambiguity
and signal fading of the monochromatic MZIs since the use of a photodetector for signal
collection suppressed the information available in the spectrum to a single value. Thus, the
semi-integrated version that employed an external spectrophotometer for recording the
transmission spectrum was further exploited as an immunosensor [38–44]. The spectrum
recorded contained two characteristic frequencies, one for the TE and one for the TM mode,
which could be discriminated through Fourier transform, offering the ability to monitor
binding events by monitoring either of them without significant effects on the analytical
performance. The analytical sensitivity of the semi-integrated device, with respect to
the bulk refractive index, was determined at 5 × 10−6 RIU. For the binding assays of
biotinylated bovine serum albumin with streptavidin and anti-mouse IgG with mouse IgG,
LODs of 5 pM and 32 pM, respectively, were determined, demonstrating the considerably
higher detection sensitivity of the semi-integrated configuration as compared to the fully
integrated one [38].

Figure 4. Cross-section depiction of fully integrated (a) and the semi-integrated (b) broadband
MZI configuration.

Thus, the semi-integrated configuration was implemented in both single- and multi-
analyte immunochemical determinations. The first application related to the detection of
goat milk adulteration with bovine milk through the immunochemical determination of
bovine k-casein [39]. A competitive immunoassay was developed using MZIs modified
with bovine k-casein and a specific antibody against this protein. The LOD of the assay
was 0.04% (v/v) bovine in goat milk and the assay’s dynamic range was from 0.1 to 1.0%
(v/v). Moreover, the assay was completed in 10 min. The same assay format and reagents
were applied to detect mozzarella or feta adulteration with bovine cheese [40]. In this case
also, the assay duration was less than 10 min and the limit of quantification for bovine
cheese in mozzarella and feta cheese was 0.5 and 0.25% (w/w), respectively—well below
the maximum allowable content of bovine milk in mozzarella and feta (1% w/w) according
to the EU regulations. The mycotoxin ochratoxin A was also detected in beer samples
following a competitive immunoassay format. The assay detection limit was 2.0 ng/mL
and its dynamic range 4.0–100 ng/mL [41]. The high detection sensitivity of integrated
MZI-based immunosensors allowed the determination of C-reactive protein (CRP), a widely
used inflammation marker, in human serum samples in approximately 5 min by monitoring
the direct binding of the analyte to an antibody immobilized onto the windows of the MZIs’
sensing arms [42]. A quantification limit of 4.2 ng/mL was achieved, allowing an at least
100-times dilution of the serum that alleviated any matrix effect onto the sensor response.
In addition, the CRP concentrations determined in human serum samples with the sensor
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were in excellent agreement with those determined for the same samples by a clinical
analyzer, supporting the accuracy of the measurements performed with the sensor.

The realization of arrays of 10 integrated MZIs on a single chip (with dimensions
4.25 × 8.0 = 34 cm2) offered the possibility for multiplexed determinations through modifi-
cation of the sensing arms’ window areas of different MZIs with different binding molecules.
Thus, by immobilizing protein conjugates of three mycotoxins, each one on three MZIs of
the chip, and leaving the last one for the determination of the non-specific binding signal,
the simultaneous determination of aflatoxin B1, fumonisin B1, and deoxynivalenol in beer
samples was accomplished following a competitive immunoassay format. The assays’
LODs were 0.8, 5.6, and 24 ng/mL for aflatoxin B1, fumonisin B1, and deoxynivalenol,
respectively, and the overall assay duration was only 12 min [43]. Analysis of different
types of beers produced around the world showed that the sensor could perform as well
as established instrumental laboratory methods [44]. Following a similar procedure, the
simultaneous detection of four allergens, bovine milk protein, peanut protein, soy protein,
and gliadin, was demonstrated [45]. In this case, the four allergenic proteins were immobi-
lized onto the integrated MZIs to perform a competitive immunoassay that was completed
in 6.5 min, providing LODs of 0.04, 1.0, 0.80, and 0.10 μg/mL, for bovine milk protein,
peanut protein, soy protein, and gliadin, respectively. Evaluation of sensor performance
through the analysis of samples from the cleaning-in-place system of a dairy facility showed
that the results obtained with the sensor were in good agreement with those acquired by
commercial ELISAs for the determination of each antigen separately.

The use of integrated silicon LEDs as light sources for interferometric sensors was
expanded to integrated YIs [46]. Similarly to MZIs, it was shown that the implementation
of a polychromatic light source led to an interferogram consisting of two distinct fringe
packets, one for each polarization, making feasible the independent determination of
the phase signal for the two polarizations. The sensor was evaluated using the binding
reactions of streptavidin and anti-mouse IgG antibody with immobilized biotin and mouse
IgG, respectively. Using a concentration of streptavidin of 1 nM and anti-rabbit IgG of
10 nM, peak shifts of more than one period were observed, indicating that LODs down
to the sub-nM range could be achieved [47]. Nonetheless, the preliminary experiments
revealed also the weak points of the set-up and especially the need for precise alignment
of the chip with respect to the CCD array used to record the signal. Therefore, further
advancements regarding the experimental set-up are required in order to benefit in full
from the analytical performance of the integrated YIs.

The need for external detectors, especially in the case of integrated MZIs where a
spectrophotometer was required, compromised the portability potential offered by the
small chip size. Thus, a spectrum analyzer and a photodiode array were integrated into
the chip with the 10 integrated MZIs and the ultimate degree of integration of all passive
and active components on a single chip was achieved without increasing considerably the
overall chip size (37 mm2). Based on these chips, a portable instrument was manufactured
that encompassed in a 21 × 17 × 7 cm3 case the chip docking station, a micropump
for reagent circulation, and the electronics for turning on the light sources sequentially
and recording the signal from the 10 MZIs. The sensor provided an LOD of 60 pM for
a direct binding assay of anti-mouse IgG antibody onto immobilized mouse IgG and
8 pM for a non-competitive immunoassay of C-reactive protein, both completed in around
10 min. The good analytical performance of these integrated sensors and the small chip
and instrumentation size are the main pros of this approach, promoting the application of
the sensor and instrument at the point-of-need. Regarding the cons of this approach, one
can consider the high complexity of chip fabrication and the associated cost, and the need
for the more automated handling of the reagents required to perform the assay.

5. Conclusions and Outlook

From the information provided in the previous sections, it is obvious that mono-
lithically integrated optical transducers demonstrate excellent analytical performance in

83



Eng. Proc. 2022, 16, 11 10 of 12

different application fields, ranging from biodiagnostics to environmental monitoring and
food safety. Moreover, these transducers seem to provide a viable solution towards the
development of portable systems that could be used for analysis outside the analytical
laboratory, i.e., at the point-of-need. Towards this goal, an additional advantage of mono-
lithically integrated optical sensors is the fact that they are fabricated with techniques
compatible with large-scale production at a reasonable cost. Despite the fact that the re-
search efforts described have resulted in prototypes that work efficiently in a laboratory
environment, there are still different aspects to be addressed prior to moving these pro-
totypes to the point-of-need. As mentioned, such a limiting factor is the handling of the
sample and, in general, of solutions required for assay performance, which could employ
several reaction steps. To this end, a new sensing approach has been exploited in which,
contrary to the previous efforts, only the MZIs are integrated onto the chip in such a way
that allows the coupling of both the input and output light from the same side of the
chip. In the other side of the chip the sensing windows of the MZIs are located, which,
after appropriate modification with biomolecules, will allow the monitoring of binding
reactions by simple dipping onto solutions, thus abolishing the need for fluidics and fluid
manipulation. Provided that the new approach demonstrates the analytical performance of
former monolithically integrated optical sensors, it will be the ideal solution for on-site,
rapid analytical determinations of high accuracy.
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Abstract: Illicit drug consumption remains a problem to public safety and health, with abuse of
illicit drugs having increased significantly over the last years. A concern related to this abuse is
driving under the influence of drugs (DUID). Currently, police and law enforcement agencies rely on
the use of lateral flow immunoassays (LFAs), which suffer from a lack of specificity. In this report,
we present a rapid, sensitive, and affordable electrochemical method for the detection of cocaine
in oral fluid (OF) by square-wave adsorptive stripping voltammetry on screen-printed electrodes
(SPE). For the first time, the effects of the OF matrix on the electrochemical sensing of cocaine are
deeply explored. The interference of endogenous compounds in OF, cutting agents and adulterants
is studied. Interestingly, the electrochemical signal for cocaine is shown to be partially suppressed
by the biofouling properties of albumin and most probably other proteins present in the OF matrix.
Thus, strategies to mitigate these biofouling properties are explored. Subsequently, two sampling
methods for OF, expectoration and the use of a commercial OF collection device (i.e., the Intercept i2),
are investigated. The developed method shows promising potential in point-of-care testing for recent
illicit drug use.

Keywords: square wave voltammetry; oral fluid testing; cocaine; screen printed electrodes; forensic
analysis

1. Introduction

Even during the ongoing COVID-19 pandemic, the consumption of illicit drugs has
remained a problem to public health and safety [1]. In the last decade, the number of
worldwide drug users has grown at a 30% rate to reach 270 million users in 2018 [2]. In the
same year, the highest number of cocaine seizures in Europe was reported [3]. An increasing
concern related to the use of illicit drugs and cocaine is that of driving under the influence
of drugs (DUID) [4]. In the large-scale European Union (EU) study “Driving under the
Influence of Drugs, Alcohol and Medicines (DRUID)” (2012), it has been reported that the
detection rate of illicit drugs in the general driving population was 1.9% [5]. This detection
rate was higher in seriously injured drivers (2.3–12.6%). The World Health Organization
(WHO) has estimated that over 39,600 traffic deaths were caused by DUID in 2013 [4].
Of these deaths, 14% were attributed to the use of cocaine. These numbers show that it
is paramount to tackle the DUID issue to improve road safety. A potential solution is to
perform more roadside tests to identify and block DUID.

The standard process of illicit drug detection in OF consists of two steps [6]. First, a
presumptive test is performed on-site. If the results of this test are positive, they need to
be confirmed in the laboratory using techniques such as gas chromatography or liquid
chromatography coupled to mass spectrometry (GC- or LC-MS). For presumptive tests,
lateral flow immunoassays (LFAs) are currently the gold standard even though they might
exhibit some drawbacks as follows: (i) cross-reactivity with similar drugs; (ii) lack of
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specificity; (iii) time consuming (>5 min); (iv) high-cost; and (v) short shelf lives due to the
use of bioreceptors [7,8].

This work aims to tackle the identified issues related to the detection of cocaine in
OF by the development of a rapid, affordable, and sensitive sensing method based on
electrochemical sensors. The workflow of the sensing method is presented in Figure 1. For
the first time, the OF matrix effects on the electrochemical sensing of cocaine are deeply
explored by using screen-printed electrodes (SPE). First, the electrochemical behavior of
cocaine in buffer solution is investigated by square-wave adsorptive stripping voltammetry
(SWAdSV) which adsorption is enabled by the use of a surfactant. Second, the interference
of endogenous compounds in OF and cutting agents and adulterants is studied. Interest-
ingly, the electrochemical signal for cocaine is shown to be partially suppressed by the
biofouling properties of albumin and most probably other proteins present in the OF matrix.
Hence, strategies to mitigate these biofouling properties are explored. Subsequently, two
sampling methods for OF, expectoration and the use of a commercial OF collection device
(i.e., the Intercept i2), are investigated. Finally, the developed methodology is used to
analyze authentic OF spiked with cocaine.

Figure 1. Workflow of the electrochemical sensing method for cocaine in OF. (1) OF collection
via expectoration or using the Intercept i2 OF collection device, (2) OF fortification with cocaine,
(3) dilution of the OF sample in buffer, (4) deposition of the sample on the electrode, and (5) SWAdSV
test and analysis. OF = oral fluid; SPE = screen-printed electrode; SWAdSV = square-wave adsorptive
stripping voltammetry.

2. Materials and Methods

2.1. Materials

Standards of cocaine·HCl were purchased from Chiron AS, Norway. Analytical grade
salts of potassium chloride, potassium phosphate, sodium phosphate, sodium borate,
sodium acetate, potassium hydroxide and sodium hydroxide were purchased from Sigma-
Aldrich (Overijse, Belgium). Sodium dodecyl sulphate (SDS) was purchased from Sigma-
Aldrich (Overijse, Belgium). Intercept i2 (OraSure Technologies) oral fluid collection devices
were purchased from Qarad (Geel, Belgium).

All solutions were prepared in 18.2 MΩ cm−1 doubly deionized water (Milli-Q
water systems, Merck Millipore, Germany). The pH was measured using a pH-meter
(914 pH/Conductometer, 2.914.0020, Metrohm, Switzerland).
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2.2. Methods

Electrochemical measurements were performed using a MultiPalmSens 4 (PalmSens,
Houten, The Netherlands), a MultiEmstat3 (PalmSens, Houten, The Netherlands), or a
PalmSens4 (PalmSens, Houten, The Netherlands) combined with a MUX8-R2 multiplexer
(PalmSens, Houten, The Netherlands) controlled by PSTrace/MultiTrace software. Unmod-
ified Italsens IS-C SPE (PalmSens, Houten, The Netherlands) were used for all experiments.
The IS-C SPE contains a carbon working electrode (Ø = 3 mm), a carbon counter electrode,
and a silver reference electrode. All potentials reported in this work are versus Ag pseu-
doreference electrode. Square wave voltammetric (SWV) measurements were performed in
Britton–Robinson buffer with 0.1 M KCl by depositing 100 μL of the sample solution on
the SPE. The samples were allowed to interact with the electrode surface for five minutes
before the measurements were started. Instrumental parameters were: 60 mV amplitude;
25 Hz frequency; 5 mV potential step. All SWVs obtained were baseline corrected using a
mathematical algorithm “moving average” (peak width = 1) in PSTrace software to improve
the resolution of the peaks over the background.

2.3. Cocaine Detection in Oral Fluid

OF samples were collected from healthy volunteers from the research group immedi-
ately before analysis. Samples were collected at least 2 h after food consumption or taking
any medication. OF collection was performed in two manners: (i) by expectoration in a
3 mL testing tube, or (ii) by using an Intercept i2 oral fluid collection device (OraSure Tech-
nologies). The OF samples were diluted in Britton–Robinson buffer solution (pH 10, unless
specified otherwise) containing SDS at the desired dilution factor before electrochemical
interrogation.

3. Results and Discussion

3.1. Analytical Characterization of Cocaine in Buffer Solution

In the first step, the electrochemical behavior of cocaine in buffer solution (pH 9) was
studied. As our group had previously shown that the use of the surfactant SDS can enhance
the cocaine signal, SDS was added to the buffer solution (0.075 mg mL−1) [9]. Thus, a
cocaine oxidation peak was observed around +0.85 V. The performance of the detection
method was assessed by executing a calibration curve (Ip (μA) = 1.41 × ccocaine (μM) − 0.88)
with concentrations in the range from 0.1 to 10 μM (Figure 2). While the limit of detection
(LOD) of 1.0 μM is not adequate for roadside drug testing, it is similar to LODs reported
for the direct electrochemical detection of cocaine using SWV by other authors [10,11].

 

Figure 2. Analytical characterization of cocaine in buffer solution under optimal conditions.
(A) SWVs of increasing cocaine concentrations from 0.1 μM to 10 μM, (B) corresponding calibra-
tion curve.
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3.2. Study of the OF Matrix Effects

Before the electrochemical method was tested in OF, the influence of several com-
pounds present in OF on the cocaine signal was investigated. Whole saliva is a complex
heterogeneous mixture containing proteins, electrolytes and small organic compounds
and is rich in antioxidants [12,13]. The effect of the anti-oxidants uric acid (200 μM) and
ascorbate (vitamin C, 5 μM), as well as that of urea (4.5 mM) in a binary mixture with 5 μM
cocaine in a buffer solution containing 0.075 mg mL−1 SDS was evaluated using SWAdSV.
The concentrations of the potential interferents were selected according to the regular physi-
ological levels found in OF [14]. The voltammograms showed that ascorbate and urea were
not electroactive under the experimental conditions (Figure 3A). The voltammogram of
uric acid showed an oxidation peak at +0.12 V, with a shoulder around +0.3 V. The presence
of all three compounds resulted in a decrease in peak current for cocaine as compared to
a 5 μM cocaine reference sample. This decrease was highest for urea, with a 21% loss in
peak current.

Figure 3. Investigation of the OF matrix effects on 10 μM cocaine under optimal conditions: (A) Effect
of constituents: ascorbate, urea, uric acid and (B) effect of albumin concentration. Effect of the pH
on the oxidation signal for 10 μM cocaine in the presence of 0.2 mg mL−1 albumin with (C) pH 9,
(D) pH 10, and (E) pH 11. Black line: 10 μM cocaine, blue line: 10 μM cocaine in the presence of
0.2 mg mL−1 albumin. All tests were executed in BR buffer containing 0.075 mg mL−1 SDS.

Proteins are known to have biofouling effects on electrodes due to non-specific ad-
sorption on the surface of the biochemical sensor [15]. This can result in the decrease in
performance of the biosensor and loss in sensitivity and specificity for the target analyte.
As saliva can contain over 1000 different peptides and proteins, the detection of cocaine
in OF is expected to be hindered by biofouling effects [16]. To investigate this biofouling
phenomenon, albumin was selected as a model protein because it is the most abundant
protein in biofluids [17]. First, the effect of different albumin concentrations (0, 0.1, 0.2,
0.5, 1, 2.5, and 3 mg mL−1) on the electrochemical signal for 10 μM cocaine was evaluated
(Figure 3B). Albumin was shown to be electroactive, with an oxidation peak at +0.54 V.
Interestingly, the albumin peak decreased at concentrations above 2.5 mg mL−1. As ex-
pected, the cocaine peak current decreased with an increase in albumin concentration.
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Unfortunately, at an albumin concentration of 3 mg mL−1, the cocaine peak was completely
suppressed. However, average levels of albumin in OF are ca. 0.9 mg mL−1 [18], which
should still allow for the electrochemical detection of cocaine.

In a strategy to minimize the biofouling effects, the effect of pH was studied (Figure 3C–E).
As the pKa values of the α-amino hydrogen of amino acids are in the range 8.72–10.70 [19],
it was predicted that at pH 11 albumin would be negatively charged. Therefore, a repulsion
by the negatively charged SDS moieties is expected. The SDS/SPE was tested with 10 μM
cocaine and a binary mixture of 10 μM cocaine with 0.2 mg mL−1 albumin in buffer solu-
tions of pH 9, pH 10, and pH 11. The albumin peak potential shifted towards less positive
values with increased pH, as its deprotonated form is easier to oxidize. While the decrease
in the electrochemical signal was 1.6-fold at pH 9, it was only 1.2-fold for pH 10 and pH 11.
This indicated that less albumin was adsorbed at the electrode surface as predicted. It is
important to note that the concentration of albumin and other proteins in OF might vary
between individuals. To obtain a more reproducible method of cocaine detection, it is there-
fore important to minimize the biofouling effects of proteins. Hence, pH 10 was selected as
a compromise situation between reduced biofouling effects of albumin compared to buffer
pH 9, and a higher peak current compared to buffer pH 11.

3.3. Investigation of Two OF Collection Methods

Direct electrochemical measurement in OF is possible, as OF contains electrolytes and
is ionically conductive [20]. However, since the OF composition and pH of individuals may
vary, it is preferable to add a buffer solution in order to control the chemical composition
and pH of the solution. Dilution of the buffer solution has the disadvantage that the
concentration of the illicit drug in the total solution decreases, but it can cope with strong
interferences. A dilution factor of 1:5 (OF:buffer) was selected as a compromise between
the decrease in cocaine concentration, decrease in background effects, and stability of
sample pH.

As OF collection by expectoration is slow and unpleasant for donors, and also suffers
from a lack of hygiene, OF collection by a commercial device was explored. The Intercept
i2 was used as a model device. The Intercept i2 works by placing it under the tongue of the
donor until the indicator turns blue and the desired amount of is collected. According to
the manufacturer, this device collects 1 mL of in an average time of 3–4 min [21]. To test
the performance of the devices, several experiments were carried out to determine (i) the
time of OF collection, (ii) the amount of OF collected, (iii) the amount of OF extracted, and
(iv) the recovery of cocaine. First, the amount of collected and the collection time were
examined. The OF from two individuals was collected three times using the Intercept i2.
Before and immediately after collection, the devices were weighed. On average, 1.2 g of
OF was collected. Assuming a density of 1 g mL−1, this amounts to approximately 1.2 mL
of OF, which is more than the manufacturer claimed. The average collection time was
just over 1 min, which is substantially shorter than the waiting time mentioned by the
manufacturer.

Three different approaches were explored for the recovery of cocaine and extraction of
OF from the Intercept devices. OF was collected by expectoration and spiked with 10 μM
cocaine. A small amount of spiked OF was put aside for comparison, while the remaining
sample was collected with the Intercept device. The recovery of cocaine was examined
by comparing the voltammograms obtained from the recovered samples with a reference
voltammogram from the OF that was set aside (Figure 4A–C). In these experiments, the
recovered fluids were diluted with 2 mL of buffer solution containing 0.075 mg mL−1 SDS
(dilution factor 1:2). It was assumed that 1 mL of OF was collected with the Intercept
devices, as this is the amount stated by the manufacturer and what laboratories work
within their analyses. In the first cocaine recovery approach, the preservation liquid in the
Intercept i2 collection vial was removed and replaced with the buffer solution. After the
OF was collected with the Intercept device, the collection pad was placed in the collection
vial. The vial was vigorously shaken, and then left to rest for 5 min so that diffusion
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could take place, before the liquids in the collection vial were collected and analyzed
with SWV. After recovery from the Intercept device, the peak currents for cocaine and
albumin decreased 2.4-fold and 2.1-fold, respectively (Figure 4A). This indicated that the
OF and cocaine recovery from the device was not complete. The second approach of
recovery consisted of centrifugation at 3000 rpm for 5 min, as this is recommended in
the manual by the manufacturer. After centrifugation, buffer solution was added to the
recovered fluids. The voltammogram of the recovered cocaine showed a more intense peak
than the reference voltammogram (Figure 4B). This could have been due to evaporation
of the sample during the manipulation leading to an error in comparison to spiked OF.
Recovery by centrifugation has the disadvantage that it makes the total procedure for
roadside testing more difficult and more expensive. Therefore, as an alternative approach,
the recovery was performed by pressing the collection pad using a syringe. To do this,
the Intercept i2 collection device was broken open and the collection pad was removed.
The recovered fluids were collected in a tube and mixed with the buffer solution. The
voltammograms showed a slight decrease (9%) in peak current for cocaine (Figure 4C).
The peak current for albumin decreased with 26%, indicating that albumin might be more
retained at the collection pad than cocaine. As the change in peak current for cocaine was
smallest when the recovery was performed using a syringe, this strategy was chosen as an
optimal procedure for cocaine recovery. The recovery of cocaine in this approach was tested
using three Intercept devices (Figure 4D–F). On average, 57.8 ± 4.8%) of the collected OF
was recovered. For all three collection devices, the peak current of the recovered cocaine
was higher than the peak current for cocaine in the reference sample. The increase in peak
current was largest for device 1 (1.5-fold increase), which was also the device from which
most oral fluid was recovered.

Figure 4. Recovery of 10 μM cocaine from the Intercept i2 collection device by (A) vigorously shaking,
(B) centrifugation for 5 min at 3000 rpm, and (C) removing the collection pad from the device and
pressing it using a syringe. Recovery of 10 μM cocaine from three Intercept i2 devices using the
syringe method for (D) device 1, (E) device 2, and (F) device 3. Black line: 10 μM cocaine in OF
for reference, red line: recovery of 10 μM cocaine from the Intercept i2 device. All SWVs for the
recovery study were performed with 3-fold diluted OF in Britton–Robinson buffer pH 10 containing
0.075 mg mL−1.

4. Conclusions

In this work, a rapid, inexpensive, and sensitive electrochemical method for the
detection of cocaine in OF was explored. In buffer solution, the LOD for cocaine detection
was found to be 1 μM. For the first time, the interference of endogenous compounds present
in the OF matrix on the electrochemical detection of cocaine was studied. Albumin showed
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to have fouling effects on the electrode, causing a decrease in the sensitivity. The antifouling
effects were successfully reduced by adjusting the pH of the buffer solution from pH 9 to 10.
A sampling method for the direct measurement in OF was developed and integrated with
the SDS/SPE system, as a first step towards the application of electrochemical methods for
illicit drugs detection in OF in the field.
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Abstract: Preliminary results on an electrosynthesized ion-imprinted polymeric (IIP) film for the
development of a Co2+ sensor are reported herein. The sensor was prepared by CV electropolymer-
ization of 2-aminophenol (2-AP) monomer in the presence of Co2+ ions, which acted as the template.
The screen-printed carbon electrodes (SPCEs) were used as transducers during sensor development,
whereas the cyclic voltammetry (CV) and electrochemical impedance spectroscopy (EIS) were used
for the electrochemical characterization of sensors and for Co2+ ion sensing, respectively. The CV
(potential range −0.2 and 1.2 V) and EIS measurements were performed in PBS (pH 7.8 , 0.1 M)
containing 0.1 mol L−1 KCl solution and 5.0 mmol L−1 of Fe(CN)6

3−/4− as the redox probe ; for EIS
an open circuit and data were settled through a sinusoidal potential perturbation of 0.01 V amplitude
and 57 as frequency values that were logarithmically distributed over a range of frequencies between
0.01 Hz and 100 kHz. A not imprinted polymer (NIP) was prepared as a control under the same
protocol, but without adding the template into the polymerization mixture. In these preliminary tests,
the electropolymerization patterns of IIP polymers were found to be consistent with the findings
previously reported. After electropolymerization, rinsed electrodes were incubated in different
Co2+ concentrations of ions to be tested through EIS showing a response in the range 1–8 μM. A
multivariate optimization based on the design of experiment (DOE) was employed to study the effect
of parameters on electrochemical performances of the sensor.

Keywords: ion-imprinted polymer; 2-AP; electrochemical sensor; Co2+ ions; electropolymerization
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Abstract: Ochratoxins are a group of mycotoxins produced as secondary metabolites by several fungi
of Aspergillus and Penicillium species. Ochratoxin A (OTA) is the most toxic member of the group
and can be found in a large variety of widely consumed foods, such as coffee, cocoa, wine, and flour.
Reliable determination of OTA levels in food samples is therefore indispensable to ensure compliance
with MRLs set by national/European regulations and minimize health risks for consumers. In the
current study, a label-free biosensor based on white light reflectance spectroscopy (WLRS) for the
rapid and accurate determination of OTA in cereal flour samples is demonstrated. A Si chip with
a 1-μm-thick thermal SiO2 on top plays the role of transducer after the immobilization of an OTA–
protein conjugate on its surface. For the assay, a mixture of an in-house-developed anti-OTA antibody
with the calibrators or the samples is injected over the chip surface, followed by reaction with a
secondary biotinylated antibody and streptavidin for signal amplification. The label-free, real-time
monitoring of immunoreactions occurring on the SiO2/Si chip surface is achieved by recording the
shift in the reflected interference spectrum caused by the immunoreactions. This shift is converted
through appropriate mathematical processing to an effective biomolecular adlayer thickness. After
optimization, the sensor is capable of detecting OTA in wheat flour samples at concentrations as
low as 60 pg/mL within 25 min. The assay is repeatable, with intra- and inter-assay CVs ≤5.9%
and ≤9.0%, respectively. The assay’s excellent analytical characteristics and short analysis time,
in combination with the small size of the device, render the proposed WLRS system ideal for the
quantitative determination of minute OTA levels at the point-of-need.

Keywords: mycotoxins; Ochratoxin A; flour; white light reflectance spectroscopy; label-free
immunosensor; point-of-need

1. Introduction

Ochratoxin A (OTA) is a low-molecular-weight mycotoxin (403.81 Da; Scheme 1)
produced as a secondary metabolite mainly by filamentous fungi of the genera Aspergillus
and Penicillium [1]. Due to the colonization of these species in a plethora of food crops
during cultivation, harvest and post-harvest procedures, OTA has been reported to be
present in a series of highly consumed agricultural products, such as cereals, coffee, cocoa,
beer and wine [2]. OTA is considered harmful for humans and animals, since there is
evidence associating its consumption with chronic toxicity (genotoxicity, immunotoxicity,
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nephrotoxicity, hepatotoxicity, etc.), teratogenicity, mutagenicity and carcinogenicity. In
accordance with this, the International Agency for Research on Cancer has classified OTA as
group 2B—a possible carcinogen to humans [3]. In order to control and minimize the public
health risk, the European Union (EU) has established a strict maximum limit of 2 ng/mL
for OTA in cereals and cereal flours, which was adopted by several non-EU countries as
well [4].

Scheme 1. Chemical structure of Ochratoxin A.

Nowadays, the analysis of OTA in foodstuffs, including flour, is performed by well-
established analytical techniques, mainly high-performance liquid chromatography (HPLC)
coupled to fluorescence or mass spectrometry detection [5,6]. These sophisticated tech-
niques are characterized by high reliability, selectivity and sensitivity. However, the high
analysis cost, the need for skilled personnel and the bulky instruments are major bottlenecks
for the application of these techniques to the routine high-throughput screening and/or
point-of-need (PoN) analysis of OTA. In this direction, in the last decade(s), biosensors have
raised great expectations as an emerging technology with potential for automation, minia-
turization and incorporation into portable setups for the rapid and reliable determination
of OTA levels in flours across the production line and up to the retail shelf [7].

In the current work, we present the development of a sensitive and reliable method
for the rapid immunochemical detection of OTA in cereal flours based on a white light
reflectance spectroscopy (WLRS) optical sensor. The WLRS methodology involves a
visible/near-infrared light source, a miniaturized USB controlled spectrometer operat-
ing in the 400–750 nm spectral range and a reflection probe of seven optical fibers, of which
six are arranged at the periphery of the probe and one at its center. The white light emitted
from the light source is guided through the six fibers at the periphery of the reflection
probe to the bio-modified surface, and at the same time, the central seventh fiber collects
the reflected light and directs it to the spectrometer. The immunochemical reactions take
place on top of a 1-μm-thick SiO2 layer grown by thermal oxidation of silicon chips. Thus,
the light reflected from the silicon surface passes through the SiO2 and the biomolecular
layer and an interference spectrum is received that shifts to higher wavelengths during
the course of immunoreactions. The software calculates the effective thickness of the
biomolecular layer that caused the spectral shift, and this thickness in nm is the sensor
signal. For the determination of OTA, an indirect competitive immunoassay format real-
ized in three steps was implemented. At first, mixtures of an in-house-developed rabbit
anti-OTA antibody with OTA calibrators or samples were passed over an amino-silanized
chip biofunctionalized with an OTA–protein conjugate; then, a biotinylated secondary
anti-rabbit IgG antibody and streptavidin were applied to enhance the signal received by
the primary immunoreaction. All assay parameters were optimized in terms of absolute
signal, detection sensitivity and total analysis time, aiming at a fast method for the sensitive
and reliable determination of OTA in cereal flours.

2. Materials and Methods

2.1. Reagents and Instrumentation

Ochratoxin A (OTA) and the OTA conjugate with ovalbumin (OTA-OVA) were pur-
chased from Aokin AG (Berlin, Germany). Rabbit anti-OTA antibody (primary antibody)
was in-house-developed. Biotinylated goat anti-rabbit IgG antibody (secondary antibody),
streptavidin and (3-aminopropyl) triethoxysilane (APTES) were obtained from Sigma-

98



Eng. Proc. 2022, 16, 14 3 of 5

Aldrich (Darmstadt, Germany). Bovine serum albumin (BSA) was from Acros Organics
(Geel, Belgium). IgG elution buffer was from Thermo Fisher Scientific Inc. (Waltham,
MA, USA). All other chemicals were from Merck KGaA (Darmstadt, Germany). The
RIDASCREEN® Ochratoxin A 30/15 enzyme immunoassay kit was purchased from R-
Biopharm AG (Darmstadt, Germany). Flour samples were provided by Yiotis SA industry.

OTA calibrators with concentrations ranging from 0.05 to 200 ng/mL were prepared
from a 2 mg/mL OTA stock solution in absolute ethanol after proper dilution in a 1:9 mix-
ture of ethanol with 10 mM phosphate buffer, pH 7.4, 0.9 % (w/v) NaCl, 0.02 % (w/v) KCl,
0.2% (w/v) BSA (assay buffer).

Four-inch Si wafers were purchased from Si-Mat Germany (Kaufering, Germany).
The visible/near-infrared light source of the sensor was a product of ThetaMetrisis SA
(Athens, Greece); the miniaturized USB-controlled spectrometer and the reflection probe
were obtained from Ocean Insight (Duiven, The Netherlands).

2.2. Chip Biofunctionalization and Assay Protocol

For chip biofunctionalization, an OTA conjugate with OVA was deposited on APTES-
modified chips [8] and incubated overnight at RT. The next day, after proper washing with
phosphate buffer (washing buffer), the chips were blocked in 2% (w/v) BSA solution in
washing buffer for 3 h, washed once more with washing buffer and distilled water, dried
under nitrogen flow and used for the assay.

The fluidic module was applied to each biofunctionalized chip, and assay buffer was
run to acquire a stable baseline. The assay was performed by flowing 1:1 volume mixtures
of calibrators (0.05–200 ng/mL in assay buffer) or flour extracts 2-times diluted with assay
buffer, with the rabbit anti-OTA antibody (1 μg/mL in assay buffer) for 15 min (primary
immunoreaction). Next, a biotinylated anti-rabbit IgG solution (secondary immunoreaction,
7 min) and a streptavidin solution (3 min) were introduced. Lastly, IgG elution buffer was
run over the chip to remove all molecules bound to the OTA–OVA conjugate, followed by
assay buffer for surface re-equilibration. The reagent’s flow rate throughout the experiment
was 50 μL/min. To prepare the calibration curve, the effective thickness of the biomolecular
layer (signal) determined for the calibrators (Sx) was expressed as a percentage of the
zero-calibrator signal-maximum signal (S0) and plotted against the analyte concentration
in the calibrators.

3. Results and Discussion

3.1. WLRS Assay Optimization

Many assay parameters had to be optimized to establish the sensitive and rapid deter-
mination of OTA with the WLRS sensor. Due to the competitive nature of the immunoassay,
at first, titration experiments were carried out employing different concentrations of OTA
conjugate (50–500 μg/mL) combined with different concentrations of the anti-OTA anti-
body (0.5–4 μg/mL). The combination that provided a satisfactory analytical signal and
assay sensitivity was 200 μg/mL for the OTA conjugate and 1 μg/mL for the anti-OTA
antibody. Another parameter to optimize was the duration of the different assay steps with
the condition that the total analysis time should be as short as possible. The assay duration
was 25 min; it was 15 min for the primary immunoreaction, 7 min for the secondary one
and 3 min for the biotinylated secondary antibody and streptavidin reaction step (Figure 1).

3.2. WLRS Assay Characteristics

A representative OTA calibration curve obtained with the WLRS immunosensor and
calibrators prepared in assay buffer following the final assay protocol is depicted in Figure 2.
It should be noted that an identical calibration curve was obtained when the extract from
a wheat flour that did not contain detectable concentrations of OTA diluted 1:1 v/v with
assay buffer was used as a matrix for the preparation of OTA calibrators.
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Figure 1. (A) Real-time sensor response at each OTA WLRS immunoassay step; (B) schematic
representation of the main immunoassay steps; (C) main immunoassay reagents.

Figure 2. Typical calibration curve obtained with OTA calibrators prepared in assay buffer. Each
point represents the mean value of three independent runs ± SD. S0 = zero-calibrator signal;
Sx = calibrator signal.

The proposed immunosensor was sensitive, with an assay limit of detection (LoD) of
30 pg/mL, which corresponded to the mean signal value −3SD of 15 replicates of the zero
calibrator. The assay dynamic range extended up to 200 ng/mL. In addition, the assay was
reproducible, with intra-assay co-efficient of variation (CV) values ≤5.9%, determined by
running three control samples in triplicate within the same day, and inter-assay CVs ≤9.0%,
determined by duplicate measurements of the three controls on seven different days.

The OTA assay developed has been applied to the determination of OTA levels
in a small number of cereal flour samples. There was a very good correlation of the
OTA concentrations determined in these samples with the WLRS assay with the OTA
values determined in the same samples using a commercially available immunoassay kit.
Evaluation with a larger number of cereal flour samples is underway.

4. Conclusions

In the current work, a WLRS-based biosensing platform was applied to the label-free
and real-time immunochemical determination of OTA. The developed sensor enabled
the fast (25 min) and sensitive quantification of OTA levels at concentrations as low as
30 pg/mL. The combination of a series of assets, i.e., the high analytical sensitivity, the
short analysis time and the small instrument size, resulted in a bioanalytical platform ideal
for the quantitative determination of minute OTA levels at the point-of-need.
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Abstract: A critical characteristic for continuous monitoring using DNA biosensors is the design of
the microfluidics system used for sample manipulation, effective and rapid reaction and an ultra-low
detection limit of the analyte. The selection of the appropriate geometrical design and control of
microfluidic parameters are highly important for the optimum performance. In the present study,
a number of different shapes of microchambers are designed and computationally assessed using
a Multiphysics software. Flow parameters such as pressure drop, and shear rates are compared.
Three-dimensional printing was used to construct the designs and an experimental investigation is
underway for the validation of the computational results.

Keywords: microchamber design; microfluidics; simulation; DNA biosensor; 3D printing

1. Introduction

Continuous monitoring is actively used in the medical practice as it allows for the
constant monitoring of biomarkers. This facilitates timely and accurate diagnosis, which
is followed by medical treatment. Genome sequencing is a method that deciphers huge
amounts of data that are present in a DNA samples and is vital for detecting mutations
and pathogens [1]. The analyte can be studied with the utilisation of a biosensor, a device
which converts biochemical reaction into readable signal [2].

There are many methods of sample manipulation [3] used in laboratories, one of which
is microfluidics. It has gained significant interest over recent years and has become an
integral part of modern biosensors [4]. Among the many advantages of microfluidics are
rapid reaction and ultra-low detection limit of the analyte [5].

In order to conduct the analysis, the microfluidic structure should provide a uniform
fluid flow. One way of achieving this is changing the internal geometry of a microfluidic
chamber. In this study, several computational simulations in COMSOL Multiphysics were
conducted to assess how different chamber shapes influence the flow parameters. Based
on the results, a number of recommendations regarding the microfluidics chamber design
are proposed.

2. Materials and Methods

In the present work, nine different chamber designs were simulated and compared
quantitatively as shown in Figure 1.

The physical domain that was analysed for every chamber design consisted of a typical
microfluidic domain with an inlet section, a chamber and an outlet section as it is depicted
in Figure 2. In the simulations, the fluid flow had an initial velocity of 0.01 m/s and was
considered to be laminar. The fluid used in this scenario had a density of 1080 kg/m3

and a dynamic viscosity of 1.75 mPa·s. The total length of all microfluidics configurations
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that were analysed was constant and equal to 26 mm, except for the focus flow chamber
design which had a length of 100 mm. The thickness of all domains was equal to 2 mm and
sharp edges were smoothened using fillets with radii of 1 mm. Seven cases were analysed
for determining the influence of the chamber design, one case featured the trifurcation of
chambers and one case included multiplication of inlets and outlets.

 

Figure 1. Studied designs. (a) Rectangular chamber; (b) Asymmetric chamber; (c) Wide rectangular
chamber; (d) Hexagonal chamber; (e) Oval chamber; (f) Square chamber; (g) Angled square chamber;
(h) Multiple inlets and outlets chamber; (i) Focus flow chamber.
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Figure 2. The physical problem.

Computational Domain and Boundary Conditions

The fluid flow is governed by the system of the Reynolds-Averaged Navier–Stokes
partial differential equations and can be solved numerically using the finite element
method [6–8]. In this work, the commercial software COMSOL Multiphysics was utilised in
order to analyse the flow and obtain data regarding the distribution of the flow parameters
inside the microfluidics circuit. To achieve this, the Laminar flow module with a Station-
ary time-independent study was selected. Inlet boundary condition (BC) was assigned
to the respective inlet, Outlet BC was assigned to the outlet, while all remaining faces
were auto-assigned with Wall BC. For the flow analysis, the computational domain was
discretised using a mesh which was automatically generated and optimised for providing
accuracy. The results of simulations were post-processed and visualised using the COMSOL
Multiphysics postprocessor.

3. Results and Discussion

The laminar flow inside a circular pipe can be described analytically. The flow rate is
linked to the pressure drop inside the pipe through the following equation:

Q = Δp(πR4)/(8ηl) (1)

where Q is the fluid flow rate, Δp is the pressure drop between inlet and outlet of the
channel, R is the channel radius, η is the fluid dynamic viscosity and l is the channel length.

The radial velocity distribution of the fully developed flow inside the cylindrical
channel is described as:

u(r) = Δp (R2 − r2)/(4ηl) (2)

where r is the radial distance from the axis.
In order to validate the results of the selected mathematical model, a two-dimensional

axisymmetric case of a 235 mm long and 100 um diameter cylindrical channel was simulated
and compared with the analytical results of Equations (1) and (2). Inlet, outlet and wall
boundary conditions were used in the domain boundaries. A fully developed flow was
imposed at the inlet where different static pressure values were fixed from 500 mbar to
2000 mbar with a step of 500 mbar. Results from the parametric simulation are presented in
Figure 3. An excellent agreement between the computed and analytical flow rate–static
pressure relation (Equation (1)) and of the velocity profiles (Equation (2)). The velocity
profiles show a tendency to overestimate the analytical values near the axis of the channel
and the difference is greater as the pressure drop increases. These results validate the
accuracy of the selected computational model in this range of laminar flow conditions
inside microchannels.

105



Eng. Proc. 2022, 16, 16 4 of 14

 

Figure 3. Comparison study results: (a) Relationship between the values of analytical pressure
drop and flow rate against simulated values; (b) Comparison of analytical velocity profiles against
simulated values.

One of the most important characteristics of the microfluidic chamber is its ability
to maintain a homogenous flow. Meshes that were used for simulations were generated
by COMSOL automatically and are shown in Figure 4. Designs were compared based on
velocity magnitude inside the chamber, Figure 5. More cyan colouring of the chamber
means a more even distribution of the analyte. Square and wide rectangular chambers
showed large difference between the middle of the chamber and its side walls, thus making
them less effective than other designs. The oval-shaped chamber presented one of the most
homogenous flows, while the commonly used rectangular chamber showed good results
but had some flow homogeneity around sharp corners. Asymmetric designs had a good
behaviour which could be enhanced by optimising the design of the corners. The angled
square resulted in a worse distribution than the hexagonal chamber design, while the latter
showed relatively even distribution. The design with three inlets and outlets had one of
the best distributions overall. The focus flow chamber design appeared to have a better
distribution at the central chamber, while side chambers had a little less homogenous flow.
Streamlines of the analyte as it moves inside the chambers can be visualised in Figure 6, and
velocity vectors are presented in Figure 7. In addition, static pressure variation plots are
presented in Figure 8 and show an even distribution of static pressure inside all chambers
aside from the asymmetric one. Interestingly enough, it has a slightly lower relative value
of pressure inside its chamber than other designs.

A useful flow quantity which can be used to assess the tendency of deformation
that can be caused to the analyte molecules, is the shear rate which is calculated from
the velocity gradients that are present inside the chamber. The shear rate distribution is
presented in Figure 9 and shows that the asymmetric chamber, the oval chamber and its
focus flow derivative are a good selection for moving the analyte though the microfluidic
system without significant angular deformation effects. The hexagonal chamber, on the
other hand, seems to have a distribution of high shear rate inside its domain.

In order to quantitively assess each design, the following parameters were compared
in Table 1:

• Average shear rate in the chamber;
• Average pressure in the chamber;
• Pumping power.
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Figure 4. Generated meshes. (a) Rectangular chamber; (b) Asymmetric chamber; (c) Wide rectangular
chamber; (d) Hexagonal chamber; (e) Oval chamber; (f) Square chamber; (g) Angled square chamber;
(h) Multiple inlets and outlets chamber; (i) Focus flow chamber.
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Figure 5. Velocity magnitude: (a) Rectangular chamber; (b) Asymmetric chamber; (c) Wide rectan-
gular chamber; (d) Hexagonal chamber; (e) Oval chamber; (f) Square chamber; (g) Angled square
chamber; (h) Multiple inlets and outlets chamber; (i) Focus flow chamber.
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Figure 6. Streamlines: (a) Rectangular chamber; (b) Asymmetric chamber; (c) Wide rectangular
chamber; (d) Hexagonal chamber; (e) Oval chamber; (f) Square chamber; (g) Angled square chamber;
(h) Multiple inlets and outlets chamber; (i) Focus flow chamber.
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Figure 7. Velocity vectors: (a) Rectangular chamber; (b) Asymmetric chamber; (c) Wide rectangular
chamber; (d) Hexagonal chamber; (e) Oval chamber; (f) Square chamber; (g) Angled square chamber;
(h) Multiple inlets and outlets chamber; (i) Focus flow chamber.
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Figure 8. Pressure distribution: (a) Rectangular chamber; (b) Asymmetric chamber; (c) Wide rectan-
gular chamber; (d) Hexagonal chamber; (e) Oval chamber; (f) Square chamber; (g) Angled square
chamber; (h) Multiple inlets and outlets chamber; (i) Focus flow chamber.
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Figure 9. Shear rate: (a) Rectangular chamber; (b) Asymmetric chamber; (c) Wide rectangular
chamber; (d) Hexagonal chamber; (e) Oval chamber; (f) Square chamber; (g) Angled square chamber;
(h) Multiple inlets and outlets chamber; (i) Focus flow chamber.
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Table 1. Simulation results.

Design Variant Shear Rate, 1/s
Average Pressure in

Chamber, Pa
Pumping Power, nW

Rectangular chamber 7.0423 1.2978 97.31

Asymmetric chamber 6.8807 1.2312 125.58

Hexagonal chamber 15.349 1.3771 106.67

Wide rectangle 5.0043 1.5001 113.12

Focus flow chamber 2.0822 1.875 107.12

Oval chamber 7.4903 1.315 98.283

Square chamber 8.0235 1.4972 113.45

Angled square chamber 8.6925 1.4536 110.13

Focus flow chamber 8.02 1.2672 283.94

The hexagonal chamber demonstrated the highest value of shear rate (15.349 1/s)
in relation to other designs, Figure 10. Consequently, the design with multiple inlets
and outlets demonstrated an average value of shear that was similar to square and oval
chambers and was slightly worse than the angled square chamber. The focus flow chamber
design was the least favourable choice in terms of shear rate value. Surprisingly, the
rectangular chamber and its asymmetric design were almost equivalent, with shear rates of
7.0423 1/s and 6.8807 1/s, respectively.

 
Figure 10. Average shear rate across chambers.

Due to the relatively large dimensions of the focus flow chamber design, an increased
average pressure was present across all its chambers, Figure 11. On the other hand, other
designs showed similar results. Approximately 1.5 Pa was registered in the square, angled
square and wide chambers. Oval and rectangular chambers showed almost identical results
of 1.3 Pa while the lowest result was attributed to asymmetric chamber. The hexagonal
chamber had the lowest pressure from all other designs.
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Figure 11. Average pressure in chamber.

Lastly, the mechanical power that is required by a mechanical pump in order to sustain
the specified flow rate, is compared in Figure 12. The power, N, is calculated by the
following relation:

W = Δp × Q, (3)

 

Figure 12. Mechanical pumping power.

From the results, it can be observed that the multiple inlets and outlets design con-
sumed much more power than other designs. In fact, it consumed slightly less power than
the three rectangular chambers. The second power demanding design is the asymmetric
chamber at 125.58 nW. Again, the wide, square and angled square chambers show similar
characteristics. The rectangular chamber requires approximately 1 nW less power than the
oval chamber. Surprisingly, the focus flow chamber design required the least amount of
power (82.63 nW).

In order to determine the effect of inlet flow rate on the shear rate and the pressure
drop, a parametric study was undertaken by changing the inlet flow velocity. The inlet
velocity changed from 0.001 m/s to 0.01 m/s with a step of 0.001 m/s. As can be deduced
from the results in Figure 13, both the shear rate and pressure drop changed linearly for all
the studied designs as is anticipated in this type of laminar flows.
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Figure 13. Comparative assessment of performance: (a) Relationship between the flow velocity and
average shear rate in chamber; (b) Relationship between the flow velocity and the pressure drop.

The chambers that were designed and simulated chambers were 3D printed using
Ultimaker S5 and black PLA material, Figure 14. These designs are intended to be assessed
in conjunction with an Elveflow Microfluidics kit which consists of an 8 bar Jun-Air air
compressor, OB1 flow controller, water reservoir, flow-rate sensor and tubing, as shown
in Figure 15.

 

Figure 14. 3D printed chambers.

115



Eng. Proc. 2022, 16, 16 14 of 14

 

Figure 15. Experimental setup.

4. Conclusions

In this work, seven chamber designs, a focus flow chamber design and a design
with three inlets and outlets were investigated. The oval-shaped chamber possessed the
best velocity profile, making it a good overall choice for the microfluidics. However, the
commonly used rectangular shape had the lowest pumping power requirement of 97.31 nW
and the lowest pressure of 1.2978 Pa. The hexagonal shape demonstrated the highest value
of shear rate at 15.349 1/s out of all designs. The focus flow chamber design showed a good
scaling of the results that were obtained by the oval chamber. Yet, the middle chamber
had the most homogenous flow out of three. The best velocity profile was attributed to
the three inlets design at the cost of 283.94 nW, which is almost three times more than the
rectangular chamber.
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Abstract: Wearable biosensors for the detection of analytes in sweat are an emerging and promising
technology with important applications in monitoring a person’s physiological state. Sweat, being an
easily accessible biofluid, shows great potential as a biological fluid for wearable devices, but also a
number of challenges that must be addressed before a sensor can be commercialized. As an example,
sensor fabrication on flexible substrates can greatly affect the performance of the device. Herein, the
development of an enzymatic electrochemical sensor on a flexible substrate for glucose detection
is presented. The sensor’s three-electrode systems were made entirely with carbon-based ink on
polyimide substrates and decorated with carbon black. The developed and optimized sensor design
exhibited a stable and reproducible performance and was able to detect glucose in concentrations
relevant to the ones present in sweat.

Keywords: glucose monitoring; electrochemical biosensor; flexible substrate; carbon black

1. Introduction

Recently, the increased interest in wearable or implantable sensing devices and plat-
forms has prompted the development of highly sensitive and stable electrochemical sensors
on flexible substrates [1,2]. Fabrication of these sensors demands the use of flexible sub-
strate materials that can be bent and mounted on non-flat surfaces, such as parts of the
human body. Towards this goal, polymer films such as polyethylene terephthalate (PET),
polyimide (PI), polydimethylsiloxane (PDMS), as well as paper and textiles have been used
as substrates for flexible biosensors [3]. Numerous examples of such sensing devices have
been published, ranging from simple test strips to patches [4–6] or tattoos [7–11] and smart
textiles [12], using different biological fluids such as tears [13], sweat [14], urine [15] and
saliva [16]. The most common metabolic disease targeted by the majority of the developed
sensors is diabetes, due to its prevalence in the population. Diabetes is routinely monitored
through the detection of glucose in the bloodstream, a procedure that involves a painful
and invasive blood sampling method by finger pricking [17]. Wearable devices, on the
other hand, permit non-invasive sampling and continuous glucose monitoring without
interrupting the wearer’s daily activity [18,19] using sweat as the biological sample [20,21].

Herein, we demonstrate the fabrication of an enzymatic electrochemical sensor that has
been developed on flexible substrates. Polyimide (PI) sheets have been chosen as substrates
for the drawing of carbon electrodes using conductive ink [22–25]. The electrodes are
made using only conductive carbon ink, while carbon black, a cost-effective carbon-based
nanomaterial [26], has been applied on the working electrode. The fabricated flexible
electrodes exhibit reproducible electrochemical behaviour, while the developed sensor is
able to detect glucose in the concentration range of clinical significance in human sweat.
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2. Materials and Methods

Conductive carbon black (Vulcan XC 27R) was kindly provided by Cabot Corpora-
tion’s representatives in Greece (RAWCHEM), having an average particle size of 50 nm
and a typical bulk density of 6 lbs/ft3. Carbon/graphite conductive ink C2130814D2
was purchased from Sun Chemical (Slough, UK). All other chemicals and reagents were
purchased from the Sigma Chemical Company (St. Louis, MO, USA). A BioLogic SP-200
potentiostat was used for all electrochemical measurements.

2.1. Fabrication of the Enzymatic Electrochemical Glucose Sensor

PI sheets were used as the flexible substrate onto which electrodes were drawn with
the use of a metal mask to imprint the electrode pattern and subsequently filled up with
conductive carbon ink. The working electrodes were then further modified by placing a
drop (3 μL) f carbon black suspension in an acidified aqueous solution of chitosan (0.05%
in 0.05 M HCl) and were left to dry at room temperature. This task was performed twice
before moving on to the immobilization of the enzyme. For the latter, a 2 μL drop of
glucose oxidase (40 mg/mL) was added and was also left to dry at room temperature.
Finally, a 2 μL drop of Nafion (0.1% in H2O) was placed on top to complete the sensor
fabrication process.

2.2. Sensor Characterization

Chronoamperometric detection was used for glucose detection and quantification.
Measurements were performed at an applied voltage of 0.6 V, and the current was recorded
for 180 s so that a stable value was obtained. A range of different concentrations of glucose
in PBS 10 mM pH 7.4 was tested by placing a drop on the surface of the sensor so that all
three electrodes were covered.

3. Results and Discussion

3.1. Flexible Electrodes Fabrication and Performance

Polyimide (PI), polyethylene terephthalate (PET), cyclic olefin copolymer (COC), and
polydimethylsiloxane (PDMS) were tested as substrate materials for the fabrication of the
glucose sensor due to their flexibility. Electrodes fabricated on PI sheets showed the best
adhesion to the substrate, and this is why PI was chosen for the fabrication of the sensor.
A three-electrode system was hand-drawn on the PI substrate using a carbon/graphite
ink. To achieve the same pattern each time, a stainless-steel mask was fabricated with the
electrode design. The mask was used to carve the design on the PI sheets before drawing
the electrodes. The hand-drawn electrodes were reproducibly fabricated with very small
performance variation. This was validated by cyclic voltammetry measurements (Figure 1).
To increase the sensitivity of the working electrode, carbon black was used as a cost-efficient
alternative to other carbon-based nanomaterials, such as carbon nanotubes and graphene
oxide, which have been used for the fabrication of electrochemical glucose sensors [27–29].
Carbon black exhibits excellent electrical conductivity and offers fast electron kinetics due
to its numerous defect sites, thus making it an ideal candidate for the development of
low-cost biosensors [26].
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Figure 1. Hand-drawn all-carbon three electrode system on PI sheets.

3.2. Enzymatic Glucose Sensor Performance

The working electrode was further modified with glucose oxidase, which was ad-
sorbed on top of a chitosan layer and stabilized with the use of Nafion. Glucose oxidase
entrapment allowed the enzyme to maintain its activity, whereas crosslinking the enzyme
with glutaraldehyde had an impact on the enzyme’s active site and its turnover number
and thus decreased the linear dynamic range over which glucose could be detected and also
increased the limit of detection (results not shown). A one-step modification was also tested
by mixing the enzyme with the carbon black/chitosan dispersion and depositing it on the
surface of the working electrode. Once again, the performance of the sensor was inferior to
that of the sensor, where the enzyme was adsorbed on the chitosan matrix and stabilized
by Nafion. The obtained results from the chronoamperometric interrogation of the sensor
(Figure 2) demonstrate that the sensor was able to detect glucose at concentrations ranging
from 0.05 mM to 2 mM (Figure 3). Despite, therefore, the simple design of the sensor, glu-
cose could be detected at concentrations relevant to sweat and within the range of clinical
significance [14,30,31]. Lower limits of detection have been achieved in other published
work, albeit with the use of mediator-modified electrodes such as Prussian blue [5], or
with much more complex designs involving numerous steps for the biomodification of the
working electrode.

Figure 2. Cyclic voltammogram of 10 mM ferrocyanide/ferrocyanide redox couple in PBS 1x pH 7.4.
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Figure 3. (a) Chronoamperometric response of the biosensor to increasing glucose concentrations
from 0 to 2 mmol L−1 in PBS 1x pH 7.4. (b) Corresponding calibration curve. The points in the plot
are the mean value ± SD (n = 3).

4. Conclusions

Flexible electrochemical sensors are the key to the development of wearable devices
that could offer continuous monitoring of biomarkers in relevant biological fluids. Herein,
we have demonstrated the sensitive and reproducible detection of glucose with the use
of a hand-drawn three-electrode system fabricated entirely with the use of carbon ink.
Furthermore, the utilization of carbon black allowed us to achieve a very low limit of
detection and a linear dynamic range at glucose concentrations relevant to human sweat.
The sensor could be further integrated with a microfluidic network to develop a wearable
patch for glucose monitoring or could be used as the basis for the development of sensors
for other biomarkers of clinical or metabolic significance in sweat.
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