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Microfluidics for Biomedical Applications
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Microfluidics refers to a technique for controlling and analyzing the fluids or micro-
/nano-bioparticles in microscale channels or structures [1]. The developed, integrated
systems are also known as micro-total analysis systems (μTAS) or lab-on-a-chip (LOC)
systems. The advent of microfluidics has provided important insights into the fields of
biomedical research and clinical diagnosis [2]. Compared with conventional techniques,
microfluidics offers significant advantages, such as low sample consumption, a high effi-
ciency, a small device footprint, and multifunction integration [3]. To date, the technique of
microfluidics has been widely used for a range of biomedical applications, such as efficient
sample pretreatment [4], single-cell analysis [5], high-throughput microflow cytometry [6],
organ-on-a-chip [7], and biosensing [8]. As a result, great improvements and successes
have been achieved in the application of microfluidics for biomedical research. On the basis
of these applications, various point-of-care testing (POCT) devices and novel analytical
instruments have been invented, some of which have been successfully commercialized [9].
We believe that microfluidics will inevitably lead to the revolution of biomedical research
and clinical diagnosis. Our Special Issue is devoted to the most recent technical innovations
and developments in the area of microfluidics, particularly in relation to biomedical appli-
cations. A total of 15 outstanding papers (including nine research articles and six reviews)
were published in our Special Issue.

The detection of rare circulating tumor cells (CTCs) in the peripheral blood has been
regarded as a noninvasive liquid biopsy technique and is of great significance for the early
diagnosis, therapeutic efficacy monitoring, and personalized treatment of cancers [10]. Due
to the rarity of CTCs (typically less than 50 CTCs in 1 mL of blood), the pre-separation
of CTCs from the overwhelming majority of blood cells is a prerequisite for downstream
detection [11]. Altay et al. [12] proposed a hybrid device coupling the passive spiral inertial
microfluidics with the active surface acoustic waves. They numerically simulated the
separation of CTCs from red blood cells (RBCs) and white blood cells (WBCs). In their
hybrid device, the first-stage spiral channel enabled the differential focusing of the cells
under the effect of the balance between the inertial lift force and Dean drag force. Then,
these cells were further trapped and lined up on the multiplex nodal lines of surface
acoustic waves in the second stage, allowing for the simultaneous separation of the CTCs,
RBCs, and WBCs. The hybrid device inherits the significant advantages of both passive
and active sorting methods and thus allows for CTC separation with a high efficiency and
a high sensitivity.

Inertial microfluidics utilizes the inherent fluid inertial effect to perform the focusing,
sorting, and concentration of cells [13]. However, its performance is heavily dependent
on the flow rate. Xiang et al. [14] reported a syringe-tip inertial microfluidic centrifuge
(i-centrifuge) which consists of a syringe-tip flow stabilizer and a four-channel paralleled
inertial microfluidic concentrator. The unstable flow rate generated by hand pushing the
syringe was stabilized and regulated by the flow stabilizer and then accurately powered
the cell flow in the inertial microfluidics. The key components of i-centrifuge are made of
low-cost polymer films and double-sided tapes, which enable the low-cost and disposable
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use of the i-centrifuge. In the hand-powered mode, the developed i-centrifuge was able to
concentrate the cells at a high throughput of 16 mL/min.

The channel cross-sections in inertial microfluidics are commonly rectangles. Mehran
et al. [15] developed a spiral inertial microfluidic channel with a unique U-shaped cross-
section for the separation of WBCs from whole blood. The utilization of the U-shaped
cross-section improved the isolation efficiency through the regulation of the Dean flow in
the non-rectangular cross-sections. After optimization, the device was able to isolate over
95% WBCs, with a high purity of 88% at a high throughput of 6 mL/min.

In addition to the inertial effect, the viscoelasticity effect can be enhanced in inertial
microfluidics to improve the manipulation accuracy and create a new manipulation capacity.
Dai et al. [16] realized the blood plasma extraction in a serpentine channel by adding Poly
(ethylene oxide) (PEO) to alter the fluid viscoelasticity of the blood. The focusing of the
blood cells could be significantly improved by adding the PEO. After optimizing the critical
operational parameters, the authors successfully achieved the blood plasma extraction with
less than 1% hemolysis at a throughput of 15 μL/min.

Exosomes are nanoscale extracellular vesicles (EVs) secreted by the cells in the body
fluids and are associated with cancer development and metastasis [17]. Due to their
small sizes and heterogeneity, the isolation of exosomes is challenging. Zhou et al. [18]
developed an aptamer-affinity-based microfluidic device for the rapid and efficient isolation
of exosomes with diameters of 30–100 nm. The aptamer-targeting, exosome-carried proteins
CD63 and PTK7 could realize a capture efficiency of 107–108 particles/mL in 20 min. These
kinds of aptamer-immobilized microfluidic devices could also be customized to enrich
other rare cells for clinical diagnosis.

Meggiolaro et al. [19] summarized the recent advances in microfluidic devices for the
isolation of EVs. The current EV isolation methods can be divided into two categories:
physical and chemical techniques. The physical isolation techniques are realized using
active and passive principles, while the chemical techniques rely on immunocapture. In
this paper, the advantages and disadvantages of microfluidics for the isolation of EVs were
discussed by comparing this technique with other existing techniques. A perspective on
the use of these microfluidic devices for clinical applications was highlighted.

RBC sedimentation is regarded as a promising indicator of hematological diseases and
disorders. Kang et al. [20] proposed a new RBC sedimentation index to quantify the RBC
sedimentation in syringes filled with blood (hematocrit of 50%) based on the shear stress
of the blood flow. Their method showed an over 10-fold increase in sensitivity compared
to the conventional methods and could be employed to monitor the RBC sedimentation
during the blood delivery over a period of 10 min.

Pathogen infection is the major challenge affecting guided bone regeneration. Shi
et al. [21] developed an asymmetric microfluidic/chitosan device for releasing drugs so as
to prevent infections and guide bone regeneration. Their device achieved the controllable
drug release (the deviation of the minocycline release was only 12.7% over 5 days). An
excellent antibacterial performance of over 95% against E. coli and Streptococcus mutans
was realized. Their microfluidic/chitosan device offered the advantages of a controllable
drug release and low device cost and has potential for clinical use.

Generating the concentration dilutions of diffusible molecules in microfluidic devices
is important for high-throughput biochemical analysis. Chen et al. [22] reported a microflu-
idic device integrated with programmable pneumatic microvalves for adjusting both the
concentration in a single channel and the concentration distributions in different channels.
They systematically studied the performance of the pneumatic microvalves via experiments
and numerical simulations. Then, an empirical formula-supported computational program
was used to provide the activation pressures required to generate the specific concentration
profiles. Their device showed the ability to dynamically adjust the concentration profiles of
microfluidic channels.

The rapid sensing and detection of single molecules and viruses are important func-
tions of microfluidics. Wu et al. [23] proposed an efficient method that can be used to
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enrich the plasmonic hotspots for surface-enhanced Raman scattering (SERS) detection.
In their method, the superhydrophobic concave dome array was used to realize the dy-
namic enrichment of plasmonic nanoparticles so as to obtains uniform SERS signals in the
measurements. The limit of detection of their SERS platform for melamine in milk could
reach 5 × 10−7 M, which is lower than the safety value provided by the Food and Drug
Administration.

In addition to nanoparticles, two-dimensional (2D) carbon nanomaterials have been
used to construct biosensors. Salama et al. [24] made recent advances (2010–2021) in the
application of 2D carbon nanomaterial-based fluorescent biosensors for detecting viruses
(e.g., Rotavirus, Ebola virus, Influenza virus H3N2, HIV, Hepatitis C virus, and Hepatitis B
virus), using the principle of the Förster resonance energy transfer (FRET) mechanism. The
application of the FRET–graphene oxide biosensor for virus detection based on multiplexed
detection was introduced. The challenges involved in the fluorescent biosensors and the
possible solutions required to address these challenges were highlighted.

Electrical impedance is an important technique for single-cell analysis, achieved by
acquiring the electrical parameters of single cells in a rapid, non-invasive, and label-free
manner [25]. Zhang et al. [26] reviewed the basic principles, analytical models, and design
concepts of impedance flow cytometry and electrical impedance spectroscopy. In addition,
recent advances in the application of electrical impedance for cell counting, cell recognition,
phenotypic assays, viability detection, and cell screening were summarized. Finally, the
prospects of impedance sensing were provided.

In addition to the electrical sensors, magnetic biosensors have attracted increasing
interest in recent years. Jimenez et al. [27] summarized the history of magnetoimpedance
biosensors over the past decade. They also introduced state-of-the-art magnetoimpedance
biosensors for healthcare monitoring, including the monitoring of the COVID-19 pan-
demics. The opportunities and challenges in this field were discussed to guide the future
development of this technology.

Droplet microfluidics is a powerful tool for a variety of biomedical applications,
including single-cell analysis, micro-robotics, molecular diagnosis, cell manipulation, and
so on [28]. Nazari et al. [29] reviewed the recent advances, current challenges, and future
trends in droplet microfluidics for advanced regenerative medicine. As an effective tool
for encapsulating various biomaterials in picoliter-sized droplets, droplet microfluidics
provides the microenvironments necessary for manipulating gametes, fertilization, and
embryo cultures in advanced regenerative medicine. The authors’ review focused on
the latest progress in the application of droplet microfluidics in stem cell therapy, tissue
engineering, reproductive biology, and gene therapy.

Zhu et al. [30] reviewed the droplet manipulation technique using magnetofluidic
technologies. The deformation, displacement, rotation, levitation, splitting, and fusion
of droplets could be realized in a magnetic field, which can enable the remote, wireless,
and programmable manipulation of droplets for drug synthesis, biochemistry, and sample
preparation. The authors systematically introduced the basic theories, working principles,
and functions of different magnetically induced droplet behaviors. They also proposed
the challenges involved in the design and fabrication of magnetic droplet manipulation
devices.

Our Special Issue, with 15 outstanding papers, is presented as a small step towards
the development of new microfluidic devices for various biomedical applications.
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A Hybrid Spiral Microfluidic Platform Coupled with Surface
Acoustic Waves for Circulating Tumor Cell Sorting and
Separation: A Numerical Study
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Abstract: The separation of circulating tumor cells (CTCs) from blood samples is crucial for the early
diagnosis of cancer. During recent years, hybrid microfluidics platforms, consisting of both passive
and active components, have been an emerging means for the label-free enrichment of circulating
tumor cells due to their advantages such as multi-target cell processing with high efficiency and high
sensitivity. In this study, spiral microchannels with different dimensions were coupled with surface
acoustic waves (SAWs). Numerical simulations were conducted at different Reynolds numbers to
analyze the performance of hybrid devices in the sorting and separation of CTCs from red blood cells
(RBCs) and white blood cells (WBCs). Overall, in the first stage, the two-loop spiral microchannel
structure allowed for the utilization of inertial forces for passive separation. In the second stage,
SAWs were introduced to the device. Thus, five nodal pressure lines corresponding to the lateral
position of the five outlets were generated. According to their physical properties, the cells were
trapped and lined up on the corresponding nodal lines. The results showed that three different cell
types (CTCs, RBCs, and WBCs) were successfully focused and collected from the different outlets of
the microchannels by implementing the proposed multi-stage hybrid system.

Keywords: cell separation; cell sorting; circulating tumor cells (CTCs); inertial microfluidics; surface
acoustic wave (SAW); hybrid separation

1. Introduction

Cancer is one of the most pervasive and fatal diseases for humanity. Yet, microfluidic
platforms can provide early cancer diagnosis, which is vital in the treatment of patients.
According to the American Cancer Society, around 1.8 million new cancer cases were
diagnosed in the United States of America in 2020, while the number of deaths was reported
to be 606,520 [1]. The World Health Organization (WHO) reported that the number of
deaths related to cancer can be reduced by up to 30% by diagnosing cancer before the
metastasis stage [2].

Cancer involves an abnormal change of the cell’s shape and function due to defects
in the genetic material or DNA, which differentiates these cells from healthy ones [3,4].
These modified cells experience cell proliferation, multiply rapidly in an uncontrolled
manner, gather in groups, and form tumors. Cancer metastasis starts when tumor cells
called circulating tumor cells (CTCs) spread through the body via the lymph and blood
systems and invade other tissues that they colonize, forming secondary tumors [5]. It has
been reported that metastasis is the main reason for at least two-thirds of the deaths of
patients with cancer [6]. However, the isolation of CTCs from a blood sample enables
further understanding of a patient’s health, since these cells carry different genomic and
phenotypic properties with respect to primary tumor cells [7]. This has been the main
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motivation for many valuable studies in the literature conducted during the last decade.
Microfluidics has been exploited in this regard for cancer diagnosis and treatment [8–14].

Microfluidic devices provide many advantages such as the consumption of a low
amount of samples and reagents, which makes these devices preferable from the per-
spectives of cost, efficiency, rapidity of the analysis, and flexibility for their integration
to lab-on-a-chip or organ-on-a-chip platforms. Since the number of CTCs (1–10/mL) in
adult human blood with metastatic disease is very low compared to the number of white
blood cells (5–10 × 106/mL) and red blood cells (5–9 × 109/mL) [15], the integration of
these devices in cancer research mainly depends on the enrichment and separation of CTCs
from a blood sample. For this purpose, several studies have been conducted involving the
analysis of different particle sizes and density, which have helped develop methods for the
isolation of CTCs from human blood samples [2,16–20].

Based on the need for an external source for operation, both label-free particle and
cell separation studies have been mainly categorized into active and passive approaches.
Active cell separation approaches utilize several external forces such as magnetic [21,22],
electric [23,24], acoustic [25,26], and optical [27,28] forces to identify cells according to their
response to applied fields or their physical characteristics such as size and density [4,14].
Passive approaches depend on the physical properties of the cells, which can be manip-
ulated by inertial forces [29], filtration [30], deterministic lateral displacement [31], or
adhesion [32]. The operation does not require any external sources, which makes the
passive approach preferable.

The utilization of inertial forces in curved microchannels has attracted much attention
for a wide range of applications [33–37]. Due to the utilization of secondary flow and
emerging Dean Drag force, which provide a redistribution of velocity profiles, the lateral
positions of particles vary along the cross section of the channel, which can be near the
inner wall, the outer wall, or the centerline [16,38]. For example, Ozbey et al. performed
a study on symmetrically curved serpentine microchannels in which they utilized Dean
flow physics and inertial forces to obtain parallelizable size-based CTC sorting [7]. Hou
et al. presented a study related to the separation of CTCs from blood using inertial-based
microfluidic separation techniques in a spiral microchannel in which larger cells migrated
towards the inner wall [39]. Sun et al. described the size-dependent separation of tumor
cells from diluted peripheral whole blood in double-spiral microchannels using secondary
flow and Dean Drag force and reported that 92.28% of blood cells were collected at the inner
outlet, while 96.77% of tumor cells were collected at the middle outlet [34]. Recently, hybrid
microfluidic platforms consisting of both active and passive components have emerged
due to their advantages such as multi-target cell processing, wider operational range, high
sensitivity, and efficiency [40]. For example, a system with three microfluidic components
called CTC-iChip was introduced [41]. The proposed system utilized hydrodynamic cell
sorting, inertial focusing, and magnetophoresis in the same platform. RBCs, platelets,
CTCs, and WBCs were successfully collected from different outlets. Later, Zhang et al. [42]
presented a novel hybrid microfluidic device, in which they obtained particle sorting
in a serpentine microchannel by employing inertial and dielectrophoresis forces. The
combination of acoustofluidics and inertial forces was performed by Wu et al. in an
asymmetric serpentine microchannel for focusing of 10-, 12-, and 15-micron particles
and erythrocytes, leukocytes, and cancer cells [43]. They integrated three- dimensional
acoustofluidic tweezers (3D-AFT) to a serpentine microchannel. According to their results,
they obtained more than 80% purity at the outlet for each size of beads using 3D-AFT-
based separation. Similarly, Ren et al. presented a hybrid study in which they utilized
standing surface acoustic waves with fluorescence-activated cell sorting in a serpentine
microchannel with two outlets [44]. They obtained purities near 90% for HeLa cells without
using sheath flow.

The potential of combined hybrid platforms, which utilize surface acoustic waves and
inertial forces for cell separation and CTC enrichment, has been studied in several curved
microchannels. Yet, the combination of surface acoustic waves with inertial forces, which
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occurs in a spiral microchannel, has not been adequately revealed. However, implementing
surface acoustic waves in passive separation devices with a spiral structure offers a high
potential for multi-target cell processing with high-efficiency and high-sensitivity label-free
enrichment of circulating tumor cells. By increasing the outlet number of a microchannel
and proposing the sorting of cells using SAWs on the generated pressure nodal lines, which
occur in the same lateral position of outlets, multi-target processing capabilities can also
be accomplished.

Motivated by the abovementioned studies, in this numerical study, we investigated the
separation capabilities of hybrid microfluidic devices consisting of active and passive parts.
As a passive separation approach, a spiral microchannel structure was utilized to obtain the
separation of CTCs based on inertial forces throughout the device. As an active separation
approach, a straight microchannel design with a higher rectangular cross-sectional area
was added to the end of the spiral microchannel, where interdigital transducers (IDTs) were
embedded in the walls of the microchannel reciprocally. In this study, a 3.3 MHz driving
frequency was applied to the sidewall of the microchannel from the straight outlet section
to represent the transmission of the selected driving frequency into the working fluid in
the microchannel. Surface acoustic waves (SAWs) with 454 μm wavelengths produced
five nodal lines corresponding to the lateral position of five outlets. According to the
physical parameters of the utilized cells, they were trapped and focused on the nodal lines.
The separation of CTCs was obtained without using sheath flow. Small footprint of the
presented microfluidic platform with two-loop spiral decreased the time needed for the
to reach to the outlet, which consequently increased the viability of the cells during the
operation. The microchannel, which is presented in this study, with a height of 70 μm and
an initial spiral radius of 5 mm, successfully separated three different cell types (CTCs,
WBCs, and RBCs) in 0.28 s and 0.187 s at Reynolds numbers of 40 and 65. Cells that exited
the passive separation part (spiral section) were sorted according to their diameter using
inertial forces. The additional active separation provided enhanced separation of large
cells from small ones in the microfluidic platform. Producing five different nodal lines
corresponding to the five different outlets allowed trapping the cells, which increased
the separation capability. In the presented microfluidic platform, up to five different cell
types with various cell diameters can be separated. By implementing the SAWs and nodal
lines corresponding to the five outlets, clogging of the cells at the outlet section, which is
an important factor in cell separation studies, can also be prevented. Thus, we propose
high-throughput, multi-staged, and hybrid microfluidic devices which allow cell separation
and the isolation of different cell types according to their sizes. In addition, we present the
effect of the microchannel dimensions on the trajectories of the cells for both passive and
active separation.

2. Theory

Considering the fluid domain in a laminar flow regime in the proposed study, the
Reynolds number (Re) is represented as:

Re = (ρUDh)/(μ) (1)

where ρ, U, Dh, and μ represent the fluid density (kg/m3), the average flow velocity (m/s), the
microchannel hydraulic diameter (m), and the fluid dynamic viscosity (kg/ms), respectively.

In microchannels having a rectangular cross section, the hydraulic diameter is repre-
sented as:

Dh = 2ab/((a + b)) (2)

The magnitude of the formation of Dean vortices and secondary flow in curved
microchannels is represented by the dimensionless Dean number [45]:

De = Re
√

(δ) = Re
√

(Dh/2R) (3)
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where R and δ represent the radius of curvature of the microchannel and the ratio of the
channel hydraulic diameter to the microchannel radius of curvature, respectively.

A particle or cell in a curved microchannel having a Poiseuille flow experiences inertial
Lift force, wall-induced Lift force, Dean Drag force, gravitational force, and buoyancy force.
The gravitational force and buoyancy force are assumed to be in equilibrium due to the
small dimension of the microchannels. Accordingly, the Dean Drag force (FDe) [45] and the
net inertial force (FL) [46] are defined as:

FDe = 3πμUDe ap (4)

where ap is the particle diameter, and UDe is the Dean velocity represented as [45]:

UDe = 1.8 × 10−4 De1.63 (5)

FL = CL((ρ(Umax)2(ap)4)/(Dh)2) (6)

where Umax is the maximum fluid velocity, and CL is the Lift coefficient.
The minimum threshold (T), which represents the limitation of successful inertial

focusing of the particles, is stated as [43]:

T = ap/Dh ≥ 0.07 (7)

Accordingly, the ratio of the particle diameter to the channel hydraulic diameter needs
to be greater than or equal to 0.07.

In this study, surface acoustic waves (SAWs) were introduced to the microchannel in
the straight section before the outlets. Particles experienced an acoustic radiation force (Fr)
and a viscous Drag force (Fd) (Stokes law) due to the generated pressure distribution in the
straight section, which is expressed as [47]:

Fr = −(π(p0)2Vpβw)/2λ) φ (β, ρ) sin(2ky) (8)

φ (β, ρ) = ((5ρp − 2ρm)/(2ρp + ρm)) − (βp/βm) (9)

Fd = −6πμRpur (10)

where p0, λ, Vp ρm, ρp, βm, βp, Rp, and ur represent the acoustic pressure, the acoustic
wavelength, the volume of the particle, the density of the medium, the density of the
particle, the compressibility of the medium, the compressibility of the particle, the radius of
the particle, and the relative velocity of the particle, respectively. φ is the acoustic contrast
factor, which is used to determine whether the particles will move to a pressure nodal
line or to an antinodal line according to its physical properties (volume, compressibility,
density). By introducing SAWs, five different pressure nodal lines corresponding to the five
outlets were produced, which promoted the movement of the cells towards to the nodal
lines. Even though three cell types with different diameters were utilized in this study, the
proposed microchannel platform can be implemented for various applications that require
a separation of up to five different particles or cell types.

3. Material and Methods

3.1. Microchannel Design

The microchannel configurations simulated in this study consisted of two-loop spi-
rals with two inlets and five equally distanced 120 μm-wide outlets. The width of each
microchannel was 500 μm along the spiral part. The distance between each spiral was fixed
at 500 μm. Overall, an aim of the design was to ensure a small footprint.

Active separation methods require low flow rates, while passive separation occurs at
high flow rates [48]. To resolve this issue, the channel geometry was modified according
to the requirements of the flow rates of the application. In this regard, an expansion was
introduced to the microchannel at the end of the last spiral. A short straight rectangular part
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(8 mm) decreased the fluid velocity at the active separation component (Figure 1). The width
of the microchannel sharply increased to 1 mm at the beginning of this rectangular part.

Figure 1. Schematic representation of the hybrid spiral microfluidic platform consisting of passive
(spiral) and active (IDTs) components for focusing and separating cells.

The radii of the first spiral and the height of the microchannels differed for each
microchannel, as presented in Table 1. The S1 and S2 microchannels had a height of
100 μm, while the S3 and S4 microchannels had a height of 70 μm. The radii of the first
spiral (rx) were set to 10 mm for the S1 and S3 microchannels and to 5 mm for the S2 and
S4 microchannels.

Table 1. Common geometrical parameters and dimensions of the microchannels which are named as
S1, S2, S3, and S4.

Channel
Name

Channel Width
at the Spiral

Part (μm)

Channel Width
at the Straight

Part (mm)

Channel Height
(μm)

Radius of the First
Spiral (rx) (mm)

S1

500 1

100 10
S2 100 5
S3 70 10
S4 70 5

Figure 1 shows the schematic representation of the hybrid spiral microfluidic platform,
which consisted of passive and active components. In this study, the spiral part served as a
passive component and allowed focusing and separating the cells by utilizing the Dean
and Lift forces. The straight rectangular section constituted the active component, which
enhanced the separation of the cells using surface acoustic waves (SAWs). In Figure 1, input
and output IDTs represent the locations of the applied surface acoustic waves schematically.

3.2. COMSOL Multiphysics Modeling

Passive separation, which utilized Lift and Drag forces in the spiral microchannel, was
performed using the Laminar Flow and Particle Tracing Module for Fluid Flow Physics of
the Software COMSOL Multiphysics 5.5 [49]. In the simulations, white blood cells (WBCs),
red blood cells (RBCs), and circulating tumor cells (CTCs) were defined by considering them
as particles with different diameters and a density (ρp) of 1050 kg/m3. WBCs, RBCs, and
CTCs were represented as particles with a diameter of 9 μm, 6 μm, and 20 μm, respectively.
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The inlet of the microchannel was arranged in such a way that the particles were
released from one common inlet. The physical model for the Laminar Flow Module was
chosen as incompressible flow.

To include the effect of the actual shear gradient force which acted on the particles,
the discretization was set as P2 + P2. By defining different inlet velocities, the Reynolds
number at which efficient separation was obtained was found. With a stationary study, the
Laminar Flow Physics was explored for each microchannel presented in Table 1 at Reynolds
numbers of 40 and 65. The governing Navier–Stokes equations for an incompressible and
steady laminar flow are as follows:

ρ(u·∇)u = ∇·
[
−pI + μ(∇u + (∇u)T

]
(11)

ρ∇·u = 0 (12)

where u and p represent the velocity vector and the pressure, respectively. The dynamic
viscosity and density were implemented from COMSOL Multiphysics 5.5 as a selection of
material, i.e., water, liquid.

After finding the velocity field from the stationary study, the Particle Tracing Module
for Fluid Flow Physics was utilized to introduce different cell types. The Newtonian
formulation for particle release and propagation and bounce wall condition was chosen.
Due to low Reynolds numbers, the Drag Law was considered as the Stokes Law, while
the Lift Force was set to the wall-induced Lift Law. For both Laminar Flow and Particle
Tracing Module for Fluid Flow Physics, a physics-controlled mesh with normal element
size was used for the microchannels. With a time-dependent study, particle trajectories
were obtained so that the cells were separated according to their diameter by the effects of
the Drag and wall-induced Lift forces in the spiral microchannels. The governing equations
for particle tracing for fluid flow are as follows:

Ft =
d
(
mpv

)
dt

(13)

where Ft, mp, and v are the total force, the particle mass, and the particle velocity, respectively.
Active separation, which was induced by pressure distribution due to the applied

SAWs, was also simulated using the Pressure Acoustics, Frequency Domain, and Particle
Tracing Module for Fluid Flow Physics of the Software COMSOL Multiphysics 5.5. Since
SAWs were applied in the straight rectangular section of the spiral microchannels before
the particles were split into five outlets (Figure 2), the straight rectangular part was isolated
and studied separately. In the Pressure Acoustics Module, the fluid model was set to linear
elastic. The Drag Law was considered as the Stokes Law. The particle type was chosen
as solid and implemented for the radiation force model. The length of the transducer (l)
was defined as 5 mm. The driving frequency (f) was set to 3.3 MHz. Thus, assuming the
speed of sound in water, c, as 1500 m/s, the wavelength of the SAWs (λ) was 454 μm, which
produced five nodal lines in the microchannel and corresponded to the lateral position of
the five outlets (Figure 2). After obtaining the acoustic pressure distribution and sound
pressure level in the microchannel by using a frequency-domain study, three different
particles with different diameters representing RBCs, WBCs, and CTCs were defined. We
chose a density of 1050 kg/m3, based on the density of the cells, and the particles were
released from the inlet. The location of the initial position of the particles was mesh-based
with zero initial velocity before applying the SAWs. As a result of the generated pressure
distribution, the particles experienced the acoustic radiation forces and viscous Drag forces.
The particle trajectories were determined using a time-dependent study. The governing
equations for Frequency-Domain Pressure Acoustics are as follows:

Qm = ∇ =

(
− 1

ρc
(∇pt − qd)

)
− k2

eq pt

ρc
(14)
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pt = p + pb (15)

k2
eq = (

ω

cc
)

2 − k2
z (16)

where Qm, pc, pt, qd, pb, ω, cc, and k represent the monopole domain source, the complex
density, the total acoustic pressure, the dipole domain source, the background pressure, the
angular velocity, the speed of sound, and the wave number, respectively.

Figure 2. Acoustic pressure distribution in the straight outlet section. Due to the applied SAWs, five
nodal pressure lines corresponding to the lateral position of the outlets were generated.

For the Laminar Flow Physics, a no-slip boundary condition was applied on the
channel walls. For the inlet boundary condition, normal inflow velocity was applied at the
studied Reynolds numbers of 40 and 65 for each microchannel, whereas a zero-pressure
boundary condition was imposed for the outlets.

In the Particle Tracing Module for Fluid Flow Physics, a bounce boundary condition
was applied on the channel walls. In the passive separation study, a freeze boundary
condition was implemented on the outlets of the channel walls to enable the detection of
the state of the cells at the outlet.

It should be noted that for the active separation analysis, cells with different diameters
and zero initial velocities were simulated in the applied acoustic field to demonstrate
the effect of the 3.3 MHz driving frequency on a large number of particles. The active
separation analysis was conducted independently of the passive separation analysis.

4. Results and Discussion

4.1. Passive Separation

The results obtained from the numerical simulations of passive separation in the spiral
microchannel illustrated that the separation of cells could be obtained from different outlets
at different Reynolds numbers. For the analysis, four microchannels with a two-loop spiral
structure with a straight rectangular section were used. The presented microchannels had
different channel heights and radii of the first spirals, as shown in Table 1. All microchannels
were considered at Reynolds numbers of both 40 and 65. According to the behavior of the
cells in different velocity fields, the trajectories of RBCs, WBCs, and CTCs were obtained
(Figures S1–S8 for velocity field distributions, in Supplementary Materials). Figures 3–6
show the passive cell separation results of the S1, S2, S3, and S4 microchannels, respectively.

Due to the a/Dh ratio represented in Equation (7), cells with a diameter greater than
or equal to 11.7 μm were affected by inertial forces in the S1 and S2 microchannels. For the
S3 and S4 microchannels, this diameter was 8.6 μm. Particles with larger diameters were
exposed to greater Dean Drag forces. CTCs with a diameter of 20 μm were more affected
by the Dean Drag force due to their larger diameter compared to the other particles, which
resulted in focusing the CTC cell line near the inner wall of each presented microchannel.
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(a) (b)

Figure 3. Numerical results of the cell separation study in the S1 microchannel. CTC, WBC, and RBC
cells are represented by dark red, light blue, and dark blue colors, respectively: (a) Cell distribution
at the outlet of the S1 microchannel at a Reynolds number of 40; (b) Cell distribution at the outlet of
the S1 microchannel at a Reynolds number of 65.

(a) (b)

Figure 4. Numerical results of the cell separation study in the S2 microchannel. CTC, WBC, and RBC
cells are represented by dark red, light blue, and dark blue colors, respectively: (a) Cell distribution
at the outlet of the S2 microchannel at a Reynolds number of 40; (b) Cell distribution at the outlet of
the S2 microchannel at a Reynolds number of 65.

(a) (b)

Figure 5. Numerical results of the cell separation study in the S3 microchannel. CTC, WBC, and RBC
cells are represented by dark red, light blue, and dark blue colors, respectively: (a) Cell distribution
at the outlet of the S3 microchannel at a Reynolds number of 40; (b) Cell distribution at the outlet of
the S3 microchannel at a Reynolds number of 65.
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(a) (b)

Figure 6. Numerical results of the cell separation study in the S4 microchannel. CTC, WBC, and RBC
cells are represented by dark red, light blue, and dark blue colors, respectively: (a) Cell distribution
at the outlet of the S4 microchannel at a Reynolds number of 40; (b) Cell distribution at the outlet of
the S4 microchannel at a Reynolds number of 65.

Figures 3a and 4a show the trajectories of the cells at a Reynolds number of 40 in
the S1 and S2 microchannels, respectively. At a Reynolds number of 40, the S1 and S2
microchannels were not capable of providing sufficient separation. However, an increase in
the inlet velocity caused the dominance of the Dean Drag and net inertial forces along the
microchannels, which consequently affected the trajectories of the cells. Figures 3b and 4b
show that CTC, WBC, and RBC cells were collected from the different outlets at a Reynolds
number of 65 for the S1 and S2 microchannels, respectively. However, due to the shorter
length of the S2 microchannel, the time needed for the cells to be collected from the outlets,
0.33 s, was shorter than the time needed for cell collection from the S1 microchannel, that
was 0.395 s.

Figure 5 presents the results of the cell trajectories in the S3 microchannel. At Re = 40,
CTC, WBC, and RBC were collected in 0.465 s from the second, third, and fourth outlets, re-
spectively (Figure 5a). However, an increase in the inlet velocity caused a larger Dean Drag
force on WBC, which forced them to move towards the second outlet at Re = 65 (Figure 5b).
Thus, an efficient separation of the cells was not achieved with the S3 microchannel at a
Reynolds number of 65.

In the S4 microchannel, at both Reynolds numbers (Re = 40 and Re = 65), the three kinds
of cells (CTC, WBC, and RBC) exited the microchannel from different outlets (Figure 6a,b).
CTCs, which had a diameter of 20 μm, were affected more by the Dean Drag force due to
their larger diameter compared to those of the other cells (WBCs and RBCs), which resulted
in focusing the CTCs near the inner wall of the microchannel. Thus, CTCs were collected
from the second outlet at Reynolds numbers of 40 and 65. WBCs, which are smaller than
CTCs and larger than RBCs, were less affected by the Dean Drag force and exited the
microchannel from the third outlet. RBCs exited the microchannel from the fifth and fourth
outlets at Re = 40 and Re = 65, respectively. The duration of the cell collecting times at
Reynolds numbers of 40 and 65 were 0.28 and 0.187 s, respectively, for the S4 microchannel.
Overall, the S4 microchannel was superior to the other microchannels as it provided a faster
separation of the cells in 0.187 s at Re = 65.

4.2. Active Separation

In the hybrid microfluidic platform, we proposed focusing of the cells prior to their
exposure to SAWs in acoustofluidic separation (active separation), which was obtained
by using the spiral microchannel structure (passive separation). However, to increase
the sensitivity and separation efficiency of the device, an active separation technique was
realized by introducing SAWs. The combination of inertial focusing with SAWs facilitated
the trapping of the particles along the nodal lines leading to the five outlets. The proposed
two-step approach is promising as a means of increasing the sensitivity of separation, as
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indicated by the excellent localization of the 20 μm particles along the nodal lines, whereas
the 6 μm and 9 μm particles experienced clear dispersion and mixing.

SAWs with 454 μm wavelengths were introduced from the sidewall of the microchan-
nels. The simulation parameters related to SAW study are represented in Table 2. Five
different pressure nodal lines were produced in the same lateral position as the outlets. It
has been reported in the literature that these multiple pressure nodal line formations along
microchannels have advantages for separation applications since they provide significantly
improved efficiency and sensitivity compared to SAW-based separation devices with single
pressure nodal or antinodal lines [43].

Table 2. Simulation parameters related to the SAW study.

Description Expression Value

Driving frequency f 3.3 [MHz]
Speed of sound c 1500 [m/s]

Wavelength λ 454 [μm]
Transducer length l 5 [mm]

Particle density ρp 1050 [kg/m3]

Figure 7a presents the acoustic pressure field (Pa) distribution along the straight
rectangular section of the microchannel. A maximum acoustic pressure of 1.8 × 105 Pa
(dark red) and a minimum acoustic pressure of −1.8 × 105 Pa (dark blue) were generated.
The areas in the Figure 7 indicated in blue and red represent the pressure antinodal lines,
whereas the white areas represent the pressure nodal lines. Three kinds of cells with
different diameters (CTCs, WBCs, and RBCs) were located with zero initial velocity at
t = 0 s (Figure 7b).

(a) (b)

Figure 7. Total acoustic pressure field (zoom-in images that show three pressure nodal lines occurring
in the straight rectangular section): (a) Formation of an acoustic pressure field along the straight
rectangular section of the microchannel. The blue and red areas represent the pressure antinodal
lines. The white areas represent the pressure nodal lines; (b) Cells trajectories at t = 0 s. The cells were
set to zero initial velocity.

Figure 8a represents the location of the cells when they were exposed to a 3.3 MHz
driving frequency for 0.2 s. As SAWs were applied from the sidewall of the microchannel,
the cells were exposed to the acoustic radiation force. They lined up on the pressure nodal
lines, as described in Figure 7a (white areas). In Figure 8b, the arrows represent the motions
of the cells while they moved towards the pressure nodal lines.
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(a) (b)

Figure 8. Trajectories of the cells during 0.2 s of exposure to a 3.3 MHz driving frequency (zoom-in
images that show three pressure nodal lines occurring in the straight rectangular section): (a) Location
of the cells in t = 0.2 s along the straight rectangular section of the microchannel; (b) Motions of the
cells while they move towards the pressure nodal lines in t = 0.2 s.

Particles with larger diameters experienced larger acoustic radiation forces and Drag
forces. This led to a clear positioning of larger cells (CTCs) along the nodal lines, while
smaller cells (WBCs, RBCs) displayed a less accurate distribution (Figure 9). In Figure 9,
CTCs with larger diameters (20 μm) are in light yellow and were more affected by SAWs,
sorting on the pressure nodal lines. The CTCs moved towards the pressure nodal lines in
0.1 s upon exposure to 3.3 MHz driving frequency (Figure 9a). At t = 0.3 s, the CTCs were
trapped on the pressure nodal lines (Figure 9b). However, smaller particles (WBCs and
RBCs) required more time to be sorted in the pressure nodal lines (Figure 9c,d).

(a) (b)

(c) (d)

Figure 9. Distribution of the cells subjected to the acoustic pressure field along the straight rectangular
section of the microchannel serving as an active separation in the hybrid device (zoom-in images that
show three pressure nodal lines occurring in the straight rectangular section): (a) Cell trajectories at
t = 0.1 s; (b) Cell trajectories at t = 0.3 s; (c) Cell trajectories at t = 1 s; (d) Cell trajectories at t = 3 s.

17



Biosensors 2022, 12, 171

5. Conclusions

This study presents a multi-stage hybrid microfluidics platform that utilizes inertial
and acoustic radiation forces for particle/CTC separation studies. The spiral microchannel
structure allowed focusing different kinds of cells using the Dean Drag force and Lift forces.
These cells later experienced acoustic radiation forces that were applied along the straight
rectangular section of the microchannel. The SAWs wavelength was set to 454 μm. Five
pressure nodal lines, which were in the same lateral position of the outlets, were produced.
Thus, the cells, which were not lined up after exiting the spiral microchannel, were able to
be captured and trapped on the pressure nodal lines depending on their diameters.

A microchannel, with a height of 70 μm and an initial spiral radius of 5 mm, success-
fully separated three different cell types (CTCs, WBCs, and RBCs) in 0.28 s and 0.187 s at
Reynolds numbers of 40 and 65, respectively.

In the light of the findings of this study, we propose that microchannels with these
features, which are capable of separating cells at both studied Reynolds numbers and
provided the fastest cell separation in this study, can be fabricated as polydimethylsiloxane
(PDMS) microchannels, and IDT structures (length, finger distance, thickness) can be
designed and coupled with such PDMS microchannels.

Supplementary Materials: The following supporting information can be downloaded at: https:
//www.mdpi.com/article/10.3390/bios12030171/s1, Figure S1: The results of the cell trajectories
and velocity field in the S1 microchannel at Reynolds number of 40. CTC, WBC, and RBC were
represented by dark red, light blue, and dark blue colors, respectively; Figure S2: The results of the
cell trajectories and velocity field in the S1 microchannel at Reynolds number of 65. CTC, WBC, and
RBC were represented by dark red, light blue, and dark blue colors, respectively; Figure S3: The
results of the cell trajectories and velocity field in the S2 microchannel at Reynolds number of 40.
CTC, WBC, and RBC were represented by dark red, light blue, and dark blue colors, respectively;
Figure S4: The results of the cell trajectories and velocity field in the S2 microchannel at Reynolds
number of 65. CTC, WBC, and RBC were represented by dark red, light blue, and dark blue colors,
respectively; Figure S5: The results of the cell trajectories and velocity field in the S3 microchannel at
Reynolds number of 40. CTC, WBC, and RBC were represented by dark red, light blue, and dark
blue colors, respectively; Figure S6: The results of the cell trajectories and velocity field in the S3
microchannel at Reynolds number of 65. CTC, WBC, and RBC were represented by dark red, light
blue, and dark blue colors, respectively; Figure S7: The results of the cell trajectories and velocity
field in the S4 microchannel at Reynolds number of 40. CTC, WBC, and RBC were represented by
dark red, light blue, and dark blue colors, respectively; Figure S8: The results of the cell trajectories
and velocity field in the S4 microchannel at Reynolds number of 65. CTC, WBC, and RBC were
represented by dark red, light blue, and dark blue colors, respectively; Video S1: The video shows
the particle trajectories in the velocity field in the S4 microchannel at a Reynolds number of 65. CTC,
WBC, and RBC cells are identified by color. Accordingly, CTC, WBC, and RBC cells are shown in dark
red, light blue, and dark blue color, respectively. Video S2: The video shows the particle trajectories in
the applied acoustic pressure fields for 3 s. The maximum and minimum acoustic pressures that were
formed in the microchannel are shown in the legend. The maximum and minimum of approximately
1.8 × 105 Pa and −1.8 × 105 Pa acoustic pressure fields are shown in dark red and dark blue colors,
respectively. CTC, WBC, and RBC cells are shown in yellow shades. Accordingly, CTC, WBC, and
RBC cells are ranged from light yellow to dark yellow, respectively.
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Abstract: Conventional sample preparation techniques require bulky and expensive instruments and
are not compatible with next-generation point-of-care diagnostic testing. Here, we report a manually
operated syringe-tip inertial microfluidic centrifuge (named i-centrifuge) for high-flow-rate (up to
16 mL/min) cell concentration and experimentally demonstrate its working mechanism and perfor-
mance. Low-cost polymer films and double-sided tape were used through a rapid nonclean-room
process of laser cutting and lamination bonding to construct the key components of the i-centrifuge,
which consists of a syringe-tip flow stabilizer and a four-channel paralleled inertial microfluidic
concentrator. The unstable liquid flow generated by the manual syringe was regulated and stabilized
with the flow stabilizer to power inertial focusing in a four-channel paralleled concentrator. Finally,
we successfully used our i-centrifuge for manually operated cell concentration. This i-centrifuge
offers the advantages of low device cost, simple hand-powered operation, high-flow-rate processing,
and portable device volume. Therefore, it holds potential as a low-cost, portable sample preparation
tool for point-of-care diagnostic testing.

Keywords: inertial microfluidics; cell concentration; hand-powered; point-of-care diagnostic testing

1. Introduction

Sample preparation is the first critical but a most time-consuming step in medical
diagnostics or biochemical analysis [1–3]. For example, the isolation of rare cells, such as cir-
culating tumor cells and fetal nucleated red blood cells, from complex cell populations [4–6]
or the concentration of specific pathogens, parasites, or microorganisms from large-volume
biological or environmental sample fluids [7–9] can significantly improve the detection
sensitivity and accuracy. Currently, point-of-care testing and on-site rapid analysis pose a
new challenge to sample preparation [10]. Conventional sample preparation techniques,
commonly based on centrifugation [11] and fluorescence-activated cell sorting [12], rely
heavily on expensive and bulky equipment, external power sources, time-consuming pro-
cedures, and experienced technicians, making them not compatible with newly emerging
point-of-care diagnostic testing. In contrast, ideal sample preparation approaches for point-
of-care diagnostic testing should be simple, rapid, low-cost, and portable, and thus easily
applied outside the laboratory by a non-specialist without training.

As a novel approach to precisely control and manipulate cells and fluids in the mi-
croscale space, microfluidics provides new insights for on-site sample preparation owing
to the advantages of miniaturization, a low device cost, small-sample consumption, and
high integration [13,14]. To date, various novel microfluidic devices have been devel-
oped to realize separation [15,16], ordering [17,18], concentration [19,20], trapping [21],
enrichment [22], filtration [23,24], and lysis [25,26] of cells on a single chip. In addition
to the diversified application functions, continuous efforts have been made toward the
development of simple, low-cost, and portable microfluidic devices for achieving effective
sample preparation in resource-constrained environments at remote sites.
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One option is to simplify and reduce the cost of the device fabrication process, al-
lowing the device to be massively produced and disposed of in small clinics, homes, and
field settings. In addition to well-established soft lithography [27], many new fabrication
techniques have been proposed to simplify the fabrication process or to create complex
non-planar structures. For example, three-dimensional (3D) printing [28,29] and laser
direct writing [30,31] are new methods for directly creating innovative 3D structures in
bulk materials. However, the devices fabricated by these approaches are commonly in
the millifluidic size scale and require an additional step to remove the sacrificial or fused
materials. Other mass production techniques include injection molding [32], roll-to-roll
hot embossing [33], and xurography [34]. In addition to rapid prototyping techniques, the
materials for fabricating microfluidic devices have evolved from polydimethylsiloxane [35]
to low-cost paper [36], off-the-shelf tubing [37,38], and commercially available polymer
films [39,40].

Alternatively, the straightforward principle of microfluidic sample preparation can be
used so that the required supporting peripheral equipment can be simplified. Currently,
microfluidic sample preparation can be categorized into active and passive microfluidics.
Active microfluidics commonly employ external force fields, including electric [41,42],
magnetic [43,44], optical [45], and acoustic [46,47] forces, to manipulate fluids or microscale
objects. These methods have a high manipulation resolution but limited throughput. More
importantly, complex, expensive microstructures (such as microelectrodes and interdigital
transducers) and bulk field generators (such as signal generators) are still required, which
prevents the miniaturization of these systems. The ideal principle for microfluidic sam-
ple preparation should be simple, low-cost, portable, and external field-free. In contrast,
passive microfluidics solely applies hydrodynamic effects or specially designed microstruc-
tures to engineer fluids and cells [4,16,48] and thus are more suitable for point-of-care
diagnostic testing. Among the reported passive microfluidics, inertial microfluidics has
attracted increasing interest in recent years owing to its advantages of a high processing
throughput, simple channel geometry, and easy operation [49–53]. Thus, many novel
inertial microfluidic devices have been developed for various sample preparation func-
tions, such as cell single-line ordering [54], selective trapping [55], solution exchange [56],
differential separation [39,57], and efficient mixing [58].

Although passive microfluidics can work without the use of external field generators,
the operation of most of these devices still relies heavily on bulk external fluid-driven
systems (such as syringe pumps, peristaltic pumps, and gas-driven fluid pumping systems),
which require electricity as the power source and are difficult to miniaturize. To address this
limitation, various on-chip fluid pumping systems using capillary force [59], surface energy
gradient [60], electroosmotic flow [61], and acoustic streaming [62] have been explored.
However, the flow rates provided by these pumping systems are very low and thus are
incapable of driving flows in high-flow-rate systems (such as inertial microfluidics). In
turn, human power and finger actuation may be the ideal power source for driving sample
fluids for point-of-care diagnostics [63–65], but the precise control of fluid flow generated
by these low-cost power sources remains a challenge.

Great success has been achieved in simplifying device fabrication, working principle,
and fluid pumping system; nonetheless, a simple, low-cost, and portable device that allows
rapid sample preparation is still rarely reported. Here, we developed a hand-operated
syringe-tip inertial microfluidic centrifuge (named i-centrifuge) for high-flow-rate and
continuous-flow cell concentrations. The i-centrifuge consists of a syringe-tip flow sta-
bilizer for regulating the flow generated by hand power and a four-channel paralleled
inertial microfluidic device for high-flow-rate (up to 16 mL/min) cell concentrations. The
integration of a flow stabilizer enables the concentration performance to be entirely in-
dependent on the operations and experiences of the user. We demonstrated the design
concept, experimentally characterized the performance, and applied this novel i-centrifuge
to hand-operated cell concentration. The developed i-centrifuge offers the advantages of
low device cost, hand-powered simple operation, high-flow-rate processing, and portable
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device volume, thereby holding potential for sample preparation in resource-constrained
environments.

2. Materials and Methods

2.1. Device Fabrication

For the four-channel paralleled inertial microfluidic concentrator, each channel unit
was fabricated by enclosing a patterned 95 μm thick polyvinyl chloride (PVC) film with
two commercially available laminating films with the assistance of a desktop laminator
(LM8-330, Rayson, Foshan, China). The bonding of different channel units was achieved
using double-sided tape (180 μm thick, 3M, Shanghai, China). The patterns in the PVC
film, laminating films, and double-sided tapes were cut using a laser cutting system (TH-
UV200A, Tianhong, Suzhou, China) equipped with a UV laser source (Awave 355-10W-30K,
Advanced Optowave, New York, NY, USA).

To fabricate the elastic membrane in the syringe-tip flow stabilizer, the mixed and
degassed PDMS liquid (Sylgard 184, Dow Corning, MI, USA) with a base to curing agent
ratio of 10:1 was spin-coated onto a polyethylene terephthalate (PET) film and then cured
at 100 ◦C for over 100 min. After being transferred onto the double-sided tape, the PET
film was peeled off from the PDMS membrane (measured thickness of 60 μm). The
holes or grooves in the PDMS membrane and double-sided tapes were cut using the
abovementioned laser cutting system. The PDMS membranes with different thicknesses
are also commercially available. In addition to the PDMS membrane, other commercially
available elastic films could be used in the syringe-tip flow stabilizer.

The housings of the concentrator and syringe-tip flow stabilizer were directly printed
in the photocurable resin (SZUV-W8001, DigitalManu, Shanghai, China) using a laser-based
stereolithography 3D printer (3DSL-450S, DigitalManu, Shanghai, China).

2.2. Preparation of Particle/Cell Suspensions

Fluorescent particles with diameters of 10 μm (G1000B, 1% solid content, Thermal
Fisher Scientific, Waltham, MA, USA) were diluted to low concentrations with phosphate-
buffered saline (Sigma-Aldrich, Burlington, MA, USA). Before performing the experiments,
the particle suspensions were uniformly dispersed using a vortex mixer (Thermal Fisher
Scientific, Waltham, MA, USA).

Unicellular green microalgal cells (GY-H1 Platymonas helgolandica tsingtaoensis, Shang-
hai Guangyu Biological Technology, Shanghai, China) were used to characterize the con-
centration performance. The microalgal cells had a polydisperse size of 5–20 μm (aver-
age size: 12 μm) and a non-spherical flat shape with an average circularity of approxi-
mately 0.5. The microalgal cells were cultured in the F/2+Si medium according to the
manufacturer’s instructions. After harvesting, the microalgal cells were diluted with
phosphate-buffered saline to specific concentrations. In addition to the microalgal cells,
human breast cancer MCF-7 cells were cultured in the high-glucose Dulbecco’s modi-
fied Eagle’s medium (DMEM, Thermo Fisher Scientific, Waltham, MA, USA) containing
10% fetal bovine serum (Thermo Fisher Scientific, Waltham, MA, USA) and 1% penicillin-
streptomycin (Thermo Fisher Scientific, Waltham, MA, USA). After harvesting, MCF-7 cells
were dispensed in phosphate-buffered saline (PBS, Sigma-Aldrich, Burlington, MA, USA)
at specific concentrations.

2.3. Experimental Setup

As the 3D printed housing of our concentrator was not transparent, the device was
clamped by two transparent poly(methylmethacrylate) plates to characterize the particle
distribution in the four-channel paralleled concentrator. The entire device was fixed on
the observation platform of an inverted fluorescence microscope (IX 71, Olympus, Tokyo,
Japan). The inlet and outlets of the concentrator were connected to the syringe and cen-
trifuge tubes using tubing. The prepared samples were loaded into a plastic syringe, which
was driven by a precise syringe pump (Legato 270, KD Scientific, Holliston, MA, USA)
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to generate the desired flow rate. The particle distribution in the device was observed
and captured using a high-speed camera (Exi Blue, Qimaging, British Columbia, Canada)
under a long exposure time of 500 ms. To avoid random errors, over 100 image frames
were vertically overlaid using ImageJ software (https://imagej.nih.gov/ij/ (accessed on
26 December 2021)) to create a composite image illustrating the statistical particle distribu-
tion across the channel width. When inertial focusing was achieved, a bright fluorescent
stream could be clearly observed. The fluorescence intensity profile across the channel
width was measured using this software. Gaussian fitting of the intensity profile was
performed to obtain the full width at half maximum (FWHM) for evaluating the focusing
performance.

A gas-driven flow system (Figure S1) was established to characterize the flow-stabilizing
performance of the integrated syringe-tip flow stabilizer. First, a pressure controller (OB1
Base MkIII, Elveflow, Paris, France) was employed to regulate the input compressed air
at a specific pressure to push the liquid out of the hermetic sample reservoir into the
syringe-tip flow stabilizer. The mass of the liquid output by the syringe-tip flow stabilizer
was continuously monitored using an electronic balance. Based on these data, the output
volumetric flow rate of the syringe-tip flow stabilizer at a specific input pressure was
calculated. Finally, the flow rate-pressure curves could be plotted.

For cell concentration application, the syringe was manually pushed, and a syringe
pump was not required. During the cell concentration process, the liquids from both
outlets were collected separately. The volumes and concentrations of the initial sample
and the collected target samples were measured. Cell concentrations were counted using a
Countess II FL automated cell counter (Thermo Fisher Scientific, Waltham, MA, USA).

3. Results and Discussion

3.1. Conceptual Design and Working Principle of i-Centrifuge

The i-centrifuge (Figure 1a), consisting of a syringe-tip flow stabilizer and a syringe
filter-like inertial microfluidic concentrator, can be quickly mounted onto the syringe tip
via a simple press-fit connection. The sample liquid in the syringe is first injected into
the flow stabilizer under the hand-pushing operation. However, fluid flow generated by
manually pushing the syringe is heavily dependent on the experience of the operator and
may be highly unstable and uncontrollable. In our hand-operated system, this unstable
liquid flow can be regulated to be stable at a specific flow rate using an integrated flow
stabilizer. As illustrated in Figure 1b, when the liquid is injected into the flow stabilizer,
the liquid will flow through the hole in the suspended membrane toward the outlet
of the flow stabilizer. As the hole in the suspended membrane is small, the fluid will
accumulate above the suspended membrane and apply positive pressure to the suspended
membrane. The suspended membrane deforms toward the bottom wall when a positive
flow pressure (ΔP) is applied to the top of the suspended membrane, resulting in the
increase in the flow resistance (ΔR) of the formed entire flow path. The deformation
degree of the elastic membrane and the resulting flow resistance of the flow path varies
with the pressure applied to the membrane. Therefore, by dynamically adjusting the flow
resistance of the flow path according to the input pressure, a constant output flow rate
(Q = P

R = P+ΔP
R+ΔR ) can be achieved under varied pressures by using the flow stabilizer. The

flow regulation mechanism is passive and electricity-free, which makes this flow stabilizer
especially suitable for hand-powered operations. The only requirement for actuating the
flow stabilizer is to apply a pressure larger than the threshold value to induce sufficient
membrane deformation for flow autoregulation. The threshold pressure is the minimum
pressure when the flow-rate variation is within 5%.
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Figure 1. (a) Photograph illustrating the operation of the hand-operated syringe-tip inertial mi-
crofluidic centrifuge (i-centrifuge) for continuous-flow cell concentration. The i-centrifuge consists
of a syringe-tip flow stabilizer and a syringe filter-like inertial microfluidic concentrator and can be
quickly mounted onto the syringe tip via a simple press-fit connection. (b) Working principle of the
flow stabilizer for regulating varied input liquid flow to be at a desired stable flow rate. (c) Structure
and working principle of the syringe filter-like inertial microfluidic concentrator. Four spiral inertial
microfluidic channels were integrated for achieving ultra-high throughout processing. The right part
showed the cell inertial focusing principle at the position before the Y-shaped outlet system and in
the cross-section of each spiral channel.

After passing through the flow stabilizer, the unstable liquid flow generated by manu-
ally pushing the syringe can be automatically regulated to be at the desired value and driven
into the downstream four-channel paralleled inertial microfluidic concentrator. In our con-
centrator, four-channel paralleled spiral inertial microfluidic channels were designed to
achieve a passive cell concentration in an ultra-high-flow-rate manner. As illustrated in Fig-
ure 1c, the sample liquid flowed into each channel unit via the central inlet hole. The inlet
and outlet housings (Figure S2) were used as the world-to-chip interface to quickly clamp
the microfluidic concentrator. When flowing along the spiral channel at finite Reynolds
numbers, the cells simultaneously suffer from the coupled effects of inertial migration and
cross-sectional Dean flow [66,67], which resulted in lateral cell migration perpendicular
to the main flow stream. The mechanics for inertial migration is the inertial lift force (FL)
caused by the inherent inertia of microfluids. The equation of FL can be expressed as [67]:

FL =
U2

ma4
pρ

D2
h

fL, where Um is the maximum velocity, ap is the cell diameter, ρ is the fluid

density, Dh is the hydraulic diameter, and f L is the lift coefficient. The FL is the net force
of a shear-induced inertial lift force (FLS) and a wall-induced inertial lift force (FLW) [68].
The parabolic flow profile induces an FLS to push the cell down the shear gradient toward
the channel wall. The wall, in turn, induces a repulsive FLW to push the cell away from
the channel wall. In addition to FL, the cross-sectional Dean flow induces a lateral Dean
drag force (FD) on cells [53]. A scaling of FD can be expressed as [68]: FD ∝ ρU2

mapD2
hR−1,

where the R is the radius of curved channels. In spiral channels, the cells are focused into
a cell train at a lateral focusing position near the inner channel wall under specific flow
rates. The inertial focusing position is actually the equilibration position, where the net
force acting on the cells equals zero. To achieve the inertial focusing, cells need to satisfy
the criterion (ap/H ≥ 0.07, where H is the channel height) [67]. In this work, the channel
height H and channel width W were designed to be 90 μm and 500 μm, respectively. The
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loop number was controlled to be two. More details on the channel dimensions can be
found in Table S1. According to the focusing criterion, the designed channel is able to
focus the cells with diameters larger than 6.3 μm. By utilizing a Y-shaped outlet system,
the focused cell train can be collected via the inner outlet, whereas the blank cell-free fluid
in the outer half channel can be removed via the outer outlet. The removal of cell-free
fluids can significantly reduce the volume of the target samples and thus increase the cell
concentration. The passive cell concentration based on the principle of inertial focusing
does not rely on external force fields and can work in a high-flow-rate, continuous-flow
manner.

3.2. Low-Cost Four-Channel Paralleled Spiral Inertial Microfluidics for Ultra-High-Flow-Rate
Processing

To lower the device cost and enable disposable use, a spiral inertial microfluidic chan-
nel designed to achieve an ultra-high-flow-rate and continuous-flow cell concentration was
fabricated in low-cost polymer films using a rapid process of laser cutting and lamination
bonding. Specifically, the channel geometries were patterned by cutting through grooves
in a PVC film using a laser. Then, the patterned PVC film was sandwiched between two
laminating films, and the through channel was enclosed using lamination (Figure 2a). This
single device is highly transparent, which enables the clear observation of cell-focusing
dynamics in the channels. The material cost for each device was only $0.01, which allowed
its disposable use. To achieve ultra-high-flow-rate processing, four identical channel layers
were precisely aligned and vertically stacked with the assistance of locating holes in each
channel layer and a corresponding fixture (Figure 2b). The bonding of the different channel
layers was accomplished using a patterned double-sided adhesive. The fabrication process
of the four-channel paralleled device was completed within 15 min. Although four layers
were stacked, the total thickness of the four-channel paralleled device was only 2 mm.

 

Figure 2. (a) Photograph of the single device that was fabricated in polymer films using a rapid
process of laser cutting and lamination bonding. (b) Photograph of the four-channel paralleled
device for ultra-high-flow-rate processing. Four identical channel layers were precisely aligned and
vertically stacked with the assistance of locating holes in each channel layer and a corresponding
fixture. (c) Composite images illustrating the distributions of 10 μm particles across the channel
width near the outlet at the flow rates of 6–16 mL/min with an interval of 1 mL/min. White dotted
lines indicate the channel walls. The upper wall is the inner wall. (d) Stacked bright field image
illustrating the particle focusing at the Y-shaped outlet.

The cell concentration process using this four-channel paralleled device was based on
the principle of inertial focusing. Therefore, we characterized the focusing performance
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of our device to better understand device physics. The 10 μm particle suspensions were
pumped into the device via the inlet at the flow rates of 6–16 mL/min with an interval
of 1 mL/min. Figure 2c illustrates the stacked composite images illustrating the particle
distributions across the channel width before the outlet at various flow rates. It was
observed that the fluorescent band gradually narrowed down and moved into the inner
half channel at low flow rates of 6–8 mL/min. With a further increase in the flow rate,
a clear fluorescent focusing stream was observed, indicating the formation of a focused
particle train near the inner channel wall. Given the focusing of particles near the inner
channel wall, the entire focused particle train could be completely removed via the inner
outlet, whereas the cell-free fluids could be removed via the outer outlet (Figure 2d and
Supplementary Video S1). From the abovementioned focusing phenomena, we concluded
that our device could be successfully applied for cell concentration over a wide flow rate
range of 9–16 mL/min. To the best of our knowledge, an operational flow rate of up to 16
mL/min is the highest value among previously reported microfluidic concentrators.

To quantitatively illustrate the effect of the flow rate on particle focusing, the fluo-
rescence intensity profiles across the channel width at various flow rates were measured
(Figure 3a,b). At flow rates of 6–9 mL/min, the fluorescence intensity in the outer half
channel gradually decreased with the narrowing of the fluorescent peak. At high flow rates
of 10–16 mL/min, a narrow fluorescent stream was clearly observed near the inner channel
wall. The lateral position of the focusing stream remained nearly unchanged during this
flow rate range.

Figure 3. (a,b) Normalized fluorescence intensity profiles across the channel width at flow rates of
(a) 6–9 and (b) 10–16 mL/min. (c) Focusing ratios at increasing flow rates. Particles were regarded as
in focusing state in the device after the flow rate reached 9 mL/min.

In addition to the lateral focusing position, we defined a dimensionless focusing ratio
to evaluate the focusing quality (Figure 3c). The focusing ratio was defined by dividing the
FWHM of the fluorescent profile by the particle diameter. It was clearly observed that the
focusing ratio rapidly decreased with the increasing flow rate and then became stable after
the flow rate was greater than 9 mL/min. Therefore, we concluded that the particles were
in the focusing state in our device after the flow rate reached 9 mL/min. Taken together,
these results demonstrate that our device is capable of focusing particles into a train with
stable lateral positions and focusing qualities over a board flow rate range of 9–16 mL/min.
In addition to standard-sized particles, we tested the focusing performances of microalgal
cells. Supplementary Video S2 illustrates the distribution of microalgal cells before the
outlet at the representative flow rate of 10 mL/min. It was found that the focusing of
microalgal cells was worse than that of standard-sized particles due to the polydisperse
size and irregular shape of microalgal cells. However, nearly all the microalgal cells could
still be collected via the inner outlet over a board flow rate range of 9–16 mL/min. The
stable performance over the board flow rate range and the sheathless and external field-
free operation make this device a good choice for hand-operated applications. We next
characterized the flow stabilization in different channel layers. Figure S3 illustrated the
focusing performances of 10 μm particles in the top and bottom channel layers (layers 1 and
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4) at the flow rate of 10 mL/min. It was found that the particles in these two layers could
be focused into tight streams and completely exported by the inner outlet. The focusing
positions in these two layers are slightly different due to the small flow-rate variation across
different layers. We further characterized the concentration performances of devices with
different layer numbers. For devices with 1–4 layers, the 100% recovery of particles could
be achieved, which validates the effectiveness of our four-layer design. Further increasing
the channel number would deteriorate the concentration performance (a 7.36% decrease in
particle recovery was observed in devices with five layers).

3.3. Integration of Flow Stabilizer for Enabling Hand-Powered Operation

When pushing the syringe by hand, the generated flow rates may inevitably vary
during the pushing process. Although the four-channel paralleled concentrator can operate
over a board flow rate range of 9–16 mL/min, it is still challenging to manually push
the syringe to generate the desired flow rate within this range. Noteworthy, a flow rate
that is too high or too low will deteriorate the concentration performance. To enable the
concentration performance to be totally independent of the experiences and operations of
the users, a syringe-tip flow stabilizer (Figure 4a–c) was integrated with the four-channel
paralleled inertial microfluidic concentrator to stabilize and regulate the flow generated by
hand pushing the syringe. The flow-stabilizing actuator was fabricated by stacking two
layers of double-sided tapes (i and iii) and one layer of PDMS membrane (ii) in the order
of tape–PDMS–tape (Figure 4a). The locating holes in each layer were used to precisely
align the different layers. The two layers of double-sided tape were patterned with three
branching channels. After transferring the PDMS membrane onto one surface of the double-
sided tape, a triangular through hole was cut on the PDMS membrane in the central region
of the three branching channels (Figures 4c and S4).

By stacking the tape–PDMS–tape, a portion of the PDMS membrane was suspended
over the three branching channels, forming three parallel flow regulators. In the current
design, three flow regulators were radially arrayed to increase the output stable flow rate,
and these flow regulators shared the same inlet. The working principle of each parallel
flow regulator is described in Figure 1b. When the sample is injected from the inlet, apart
from flowing through the central hole, part of the fluids will be distributed into the upper
branching channels with dead ends. The fluids in the upper branching channels above
the membrane apply positive pressure on the suspended PDMS membrane, resulting in
the deformation of the PDMS membrane toward the cavities of the lower three branching
channels. As the fluids will flow along the lower branching channels to the outlets, the
deformation of the PDMS membrane into the lower branching channels significantly
increases the resistance of the flow paths. By dynamically regulating the flow resistance
of the flow path according to the input flow pressure, a constant output flow rate can be
achieved under a hand-powered operation. The only requirement for actuating the flow
stabilizer is to apply a pressure larger than the threshold value. The integration of three
parallel flow regulators enables the syringe-tip flow stabilizer to provide an ultra-high
driving flow rate with small deviations.

Next, we fabricated a prototype of the syringe-tip flow stabilizer (Figure 4d) that
could output a flow rate within the optimal working flow rate range of the four-channel
paralleled inertial microfluidic concentrator. The detailed design parameters for the syringe-
tip flow stabilizer are listed in Table S2. The detailed mechanisms behind these design
parameters can be found in our previous study [69]. In the current work, we combined
three parallel flow regulators (each with a constant flow rate of 3.50 mL/min) in a syringe-
tip flow stabilizer for outputting an ultra-high driving flow rate and then integrated the
syringe-tip flow stabilizer with the syringe filter-like inertial microfluidic concentrator for
concentrating the cells from large-volume samples.

After fabrication, we set up a gas-driven flow system (Figure S1) to characterize the
flow-stabilizing performance of the syringe-tip flow stabilizer. The analysis of the output
flow rates of the flow stabilizer with increasing applied pressure showed that the pressure
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first increased with increasing pressure and then became constant at 9.95 mL/min after
the pressure increased to more than 50 kPa (Figure 4e). A small deviation in the flow rate
after achieving a stable output was only 3.6%. Under a flow rate of about 10 mL/min, the
injection of 10 mL of the sample could be completed within 1 min, which is affordable for
hand-pushing operations. The low threshold pressure for outputting a constant flow rate
could be easily provided by hand pushing the syringe (pressure of 63–150 kPa measured
by different adult operators, N > 5). Therefore, the operators only need to continuously
push the syringe at their own comfortable speed.

Figure 4. (a) Schematic diagram of the syringe-tip flow stabilizer containing an inlet housing, a
flow stabilizing actuator (i, ii, and iii), and an outlet housing. The arrows in this figure illustrated
the flow paths of one parallel flow regulator. (b) Photographs of the inlet and outlet housings
that were fabricated by 3D printing. (c) Fabricated parts (i, ii, and iii) for assembling the flow-
stabilizing actuator. Three parallel flow regulators were integrated in the syringe-tip flow stabilizer.
(d) Photograph showing the prototype of the syringe-tip flow stabilizer. (e) Output flow rates of the
syringe-tip flow stabilizer under different applied pressures.

3.4. Hand-Operated Cell Concentration

Finally, we integrated the syringe-tip flow stabilizer with our four-channel paralleled
inertial microfluidic concentrator for hand-operated cell concentrations. To set up the
integrated device, a syringe was first plugged into the inlet of the flow stabilizer, while the
outlet of the flow stabilizer was directly connected to the central inlet of the concentrator.
The press-fit connection enables the quick assembly or disassembly of these components
without leakage, and the integrated device can be easily operated using a single hand. The
suspensions of microalgal cells, 10 μm standard-sized particles, and MCF-7 tumor cells
with initial concentrations of about 4 × 105 counts/mL were prepared and employed in this
experiment. Five volunteers, none of whom underwent any operation training before the
test, were invited to operate the syringe to inject the samples into the integrated device. The
unstable flow rate generated by manually operating the syringe could be regulated to be the
desired stable value after passing through the syringe-tip flow stabilizer. Then, the stable
sample flow could power inertial focusing of cells in the concentrator, achieving the cell
concentration at the optimal performance. To quantitatively characterize the performance
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of the integrated device for cell concentration under hand-powered operation, the liquid
volumes and cell concentrations of the initial samples and those collected from both outlets
were analyzed. We defined two dimensionless parameters: recovery efficiency (RE) and
concentration factor (CF). RE was calculated by dividing the cell number (ntarget) in the
target sample collected from the inner outlet by the total cell number in all outlets (ntotal),
and CF was calculated by dividing the cell concentration (ctarget) of the target sample
collected from the inner outlet by the cell concentration (cinitial) of the initial sample.

Under the hand-operated mode, an RE of 100% and a CF of 2.06 ± 0.02 was achieved
for 10 μm particles (T1 in Figure 5). For microalgal cells, an RE of 86.1 ± 2.9% and a CF
of 1.74 ± 0.07 was obtained (T2 in Figure 5). Moreover, for MCF-7 tumor cells, an RE
of 89.3 ± 1.8% and a CF of 1.82 ± 0.06 was obtained (T4 in Figure 5). The concentration
performances of microalgal cells and MCF-7 tumor cells were found to be worse than of
standard-sized particles because of the highly polydisperse cell sizes.

Figure 5. (a) Recovery efficiency (RE) and (b) concentration factor (CF) of 10 μm standard-sized
particles, microalgal cells, and MCF-7 tumor cells under different experimental tests (T1−T4). Tests
T1, T2, and T4 were performed with the integrated device using 10 μm standard-sized particles,
microalgal cells, and MCF-7 cells, respectively. Test T3 was a control experiment on the concentration
of microalgal cells using a device without a flow stabilizer. All the experiments were repeated five
times under the hand-operated mode. The error bar in this figure denoted the standard deviation.

For comparison, we performed a control experiment on the concentration of microalgal
cells using a device without a flow stabilizer (T3 in Figure 5). It was noticeable that the RE
decreased to 74.1 ± 4.1%, and the CF decreased to 1.43 ± 0.17 due to the unstable flow rate
generated by varied pushing operations (such as pushing at non-uniform speeds). As the
syringe-tip flow stabilizer can provide a constant flow rate, the use of our flow stabilizer can
make the concentration performance of the downstream concentrator totally independent
of the user-pushing operations. The low threshold pressure (50 kPa for the current device)
required to drive the flow stabilizer to output a constant flow rate can be easily provided
by any adult operator.

To deal with samples with low initial cell concentrations at the level of 104 counts/mL,
a multistep serial concentration was performed by reinjecting the collected target sample
into the integrated device. With the 10 mL sample being reduced to less than 1 mL,
the concentrations of microalgal cells in the target samples gradually increased from
0.586 × 105 to 6.96 × 105 counts/mL. After the multistep serial concentration, a total CF of
11.9 was achieved. The entire concentration process (including the sample reloading time)
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was completed within 5 min. Through observation of the migration of microalgal cells
under a microscope, it was found that the cells remained alive and active after running
through the integrated device. For MCF-7 cells, the cell viability was evaluated by Trypan
blue exclusion. As illustrated in Figure S5, the cells remained alive after being processed
with the integrated device. We next explored the effect of initial cell concentration on
concentration performance using the microalgal cells. When the initial cell concentrations
were below 2.4 × 105 counts/mL, an RE approaching 95% and a CF of about 2 could be
achieved. Further increasing the initial cell concentration to be 5×105 counts/mL, the RE
and CF decreased to be 70.8% and 1.35, respectively. The deterioration of concentration
performance was caused by the heavy cell interactions at an increased cell concentration. In
addition to microalgal cells and MCF-7 cells, the i-centrifuge can be applied to concentrate
various other cells (e.g., the pre-sorted rare circulating tumor cells in clinical samples and
the pathogenic bacterium in environmental samples). Through adjusting the outlet system,
our i-centrifuge is possible to separate different-sized particles/cells according to their
differential focusing positions. Centrifugation is the gold standard for cell concentration
but requires electricity and an expensive centrifuge. As compared with the centrifuge, our
i-centrifuge offers the advantages of electricity-free hand-operated operation, a low device
cost, and a small footprint, which makes our device especially suitable for cell concentration
in the field or other resource-poor settings.

4. Conclusions

In this study, we describe a novel integrated syringe-tip inertial microfluidic centrifuge
(i-centrifuge) consisting of a syringe-tip flow stabilizer and a four-channel paralleled inertial
microfluidic concentrator. The key components of the i-centrifuge were fabricated with
low-cost polymer films and double-sided tape using a rapid nonclean-room process of
laser cutting and lamination bonding, which enables their disposable use. Moreover, the
i-centrifuge can be directly mounted onto the syringe tip via a quick press-fit connection
and can be operated by hand power independent of the experiences and operations of
the user. Noteworthy, the unstable and undesired liquid flow generated by the hand-
pushing syringe can be regulated to be at a specific flow rate with the assistance of an
integrated syringe-tip flow stabilizer. Then, the regulated liquid flow was used to drive
the four-channel paralleled inertial microfluidic concentrator to enable high-flow-rate (up
to 16 mL/min) cell concentration. Overall, we experimentally demonstrated the working
mechanism and performance characterization of the i-centrifuge, successfully applying
it to the hand-operated concentration of particles and cells. In summary, the i-centrifuge
offers the advantages of a low device cost, simple hand-powered operation, high-flow-rate
processing, and portable device volume. Therefore, it holds potential as a low-cost, portable
sample preparation tool for point-of-care diagnostic testing.

Supplementary Materials: The following are available online at https://www.mdpi.com/article/10
.3390/bios12010014/s1, Figure S1: The gas-driven flow system for characterizing the performance of
our syringe-tip flow stabilizer. The compressed air was regulated via a computer-controlled pressure
controller to generate a specific pressure for driving the liquid in the hermetic sample reservoir. The
values of pressures were monitored and recorded using the software. The liquid then flowed through
our syringe-tip flow stabilizer, and the mass of the output fluid was continuously monitored using an
electronic balance. On the basis of these data, the stable output flow rates at specific pressures could
be calculated. Figure S2: Images illustrating the designs and structures of inlet and outlet housings.
Figure S3: Focusing performances of 10 μm particles in the top and bottom channel layers. Figure S4:
Assembly and fabrication process of the PDMS membrane. The PDMS membrane was transferred
onto one side of the patterned double-sided tape using a polyethylene terephthalate (PET) film. After
being transferred onto the double-sided tape, the PET film was carefully peeled off, and a triangle
through hole was cut on the PDMS membrane at the central region of the three branching channels.
Figure S5: Image illustrating the cell viability. Table S1: Dimensions of spiral channels. Table S2:
Dimensions of the three parallel flow regulators in the syringe-tip flow stabilizer. Video S1: A video
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illustrating the particle focusing at the Y-shaped outlet. Video S2: A video illustrating the distribution
of microalgal cells at the Y-shaped outlet.
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Abstract: Rapid isolation of white blood cells (WBCs) from whole blood is an essential part of
any WBC examination platform. However, most conventional cell separation techniques are labor-
intensive and low throughput, require large volumes of samples, need extensive cell manipulation,
and have low purity. To address these challenges, we report the design and fabrication of a passive,
label-free microfluidic device with a unique U-shaped cross-section to separate WBCs from whole
blood using hydrodynamic forces that exist in a microchannel with curvilinear geometry. It is shown
that the spiral microchannel with a U-shaped cross-section concentrates larger blood cells (e.g.,
WBCs) in the inner cross-section of the microchannel by moving smaller blood cells (e.g., RBCs
and platelets) to the outer microchannel section and preventing them from returning to the inner
microchannel section. Therefore, it overcomes the major limitation of a rectangular cross-section
where secondary Dean vortices constantly enforce particles throughout the entire cross-section and
decrease its isolation efficiency. Under optimal settings, we managed to isolate more than 95% of
WBCs from whole blood under high-throughput (6 mL/min), high-purity (88%), and high-capacity
(360 mL of sample in 1 h) conditions. High efficiency, fast processing time, and non-invasive WBC
isolation from large blood samples without centrifugation, RBC lysis, cell biomarkers, and chemical
pre-treatments make this method an ideal choice for downstream cell study platforms.

Keywords: WBC isolation; spiral microchannels; inertial microfluidics; passive cell separation;
high-throughput separation

1. Introduction

In medical science, the study of characteristics and mechanisms of cell functions,
identifying external damaging factors, and finding methods to prevent and treat cellular
disorder diseases in the human body requires the preparation of cell samples with suitable
purity. Blood is the most important component of the human body, containing various
types of essential cells, including red blood cells (RBCs), white blood cells (WBCs), and
platelets which are produced in the bone marrow and released into the bloodstream [1].
WBCs comprise about 1% of whole blood and have a significant role in the body’s immune
system. The change in the total number of WBCs in the blood is the harbinger of infections,
autoimmune reactions, and other malignancies [2]. For example, in blood cancer diseases,
such as leukemia and myeloma, the life cycle of normal blood cells is interrupted by
the abnormal growth in the number of WBCs in the bone marrow and bloodstream.
Hence, enumeration and monitoring of WBCs are critical in diagnosing various kinds of
diseases [3]. Since RBCs comprise the majority of whole blood, complete or fractional
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separation of RBCs from a blood sample is usually required for subsequent cellular and
molecular examination of WBCs. However, conventional cell sorting techniques, such as
density gradient centrifugation, RBC lysis, porous filtration, and other methods are often
labor-intensive, require a large volume of sample, and sometimes use expensive particular
biomarkers or labels to identify the target cells [4].

In recent years, various microfluidic cell separation devices have been developed
to minimize the amount of required sample, processing time, and operator-based errors
while maintaining high-throughput and isolation efficiency [5,6]. Although they have
been successful, there is always a trade-off between the efficiency and throughput of these
platforms. Based on the separation mechanism, microfluidic cell isolation techniques can
be categorized into active and passive methods [6].

Active methods require an externally applied force so that cells are separated due to
their different optical [7], electrical [8], or magnetic [9] properties. Some examples of active
methods are dielectrophoresis (DEP) [10], acoustophoresis [11], and magnetophoresis [12].
Although active methods have been proven to be useful in various biological applications,
the low-throughput, complex mechanism, and high fabrication costs have limited their
widespread applications in most cases.

Passive methods rely on label-free separation of cells using their physical properties
without any externally applied force field. Some passive separation methods include deter-
ministic lateral displacement (DLD) [13], pinch flow fractionation (PFF) [14], hydrodynamic
filtration [15], and inertial migration [16].

Among passive cell separation techniques, inertial microfluidics has attracted much
attention in recent years. The efficiency of inertial microfluidic for cell separation depends
on inertial migration and hydrodynamic forces. Inertial migration is a function of the
geometrical parameters of the device, while hydrodynamic forces separate particles based
on their physical properties, such as density [17], size [18], or deformability [19].

Segre and Silberberg [20,21] were the first to report the inertial migration effect by
showing that randomly incoming dispersed particles in a circular tube with a radius of
R, can laterally migrate toward the channel walls and form a ring-shaped annulus with
a radius of 0.6 R at the outlet. This observation led many researchers to investigate the
physics of this phenomenon [22,23]. Particle lateral migration is affected by the shear
gradient lift force, which moves the particles toward the tube walls. The wall induces a
lift force that pushes the particles through the tube centerline and prevents them from
getting close to the walls. As a result, particles reach a certain equilibrium position in
the tube’s cross-section depending on the magnitude of these forces, flow velocity, and
particle’s physical properties [24]. Due to difficulties with particle separation at the outlet of
a circular tube, several studies have investigated particle inertial migration in non-circular
channels [25–27]. In a square microchannel, eight stable particle equilibrium positions
(corners and midline of channel edge) exist in relatively low Reynolds number flows
(Re < 100) [25]. However, increasing the Reynolds number (Re > 500) will reduce the
equilibrium positions to four, in which particles are focused at microchannel corners [25].
In a straight rectangular microchannel, randomly dispersed particles with ap/Dh ~ 0.1
(where ap is particle diameter and Dh is hydraulic diameter of the channel) align in four
equilibrium positions where shear gradient lift force and wall induced lift force balance
each other [27]. According to recent studies, in a spiral microchannel, particles are focused
in one single equilibrium position close to the inner wall of the microchannel while smaller
sized particles continue to recirculate by the effect of the secondary Dean flow [16,28].

Recently, many studies have been performed to optimize separation by increasing
throughput, separation efficiency, and resolution in spiral microchannels [29,30]. Some
studies have developed numerical calculations for a better understanding of the inertial
focusing mechanism [31,32]. Some studies have been investigated to modify the microchip
geometry to optimize the flow rate and isolation efficiency. Label-free tumor cell separation
from whole blood has been conducted using a double spiral microchannel device with an
88.5% tumor recovery rate as well as 92.28% recovery for blood cells [33]. Higher particle
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isolation efficiency was reached by introducing a spiral microchannel with trapezoidal
cross-section [34,35] and ordered micro-obstacles [36]. However, the complex fabrication
of trapezoidal cross-section and micro-obstacles has limited the wide application of this
kind of geometry in microfluidic platforms. Our group proposed a spiral microchannel
with a stair-like cross-section for size-based particle separation. Using equilibrated vortices
present in the spiral microchannel, it was observed that there is a size-dependent threshold
for flow rate for separating each specific particle [37].

This work overcomes the limitations of previous methods by presenting a passive
microfluidic approach for high-throughput continuous isolation of WBCs from whole blood
in a spiral microchannel with U-shape cross-section using size-dependent inertial migration.
The proposed method uses secondary Dean drag force to move smaller cells away and
inertial forces to equilibrate larger cells through the spiral microchannel. One of the
advantages of the U-shaped cross-section is that target cells can be collected from separate
outlets in discrete cell streams without any restriction on the channel length. The U-shaped
cross-section also avoids the re-circulation of smaller particles through the entire cross-
section. Hence, it removes certain drops in isolation efficiency due to the mixing problems
of conventional rectangular cross-sections. Unlike previous microfluidic devices with rather
complex geometries and cross-sections, e.g., microchannels with trapezoidal cross-section,
or spiral microchannels with ordered micro-bars, our proposed spiral microchannels with
the U-shaped cross-section are easy to fabricate. Also, we have developed a novel numerical
algorithm to calculate the inertial forces exerting on particles to optimize the proposed
device’s cell separation capability that can be used for similar inertial focusing methods for
future works. It also further eliminates the time-consuming process of trial and error to
find the optimized design of the device. Based on numerical results, we select an optimized
geometry regarding the proper placement of the secondary vortices and their primary
role in carrying the target cells to proper microchip outlets. Utilizing this method, high
separation efficiency for WBCs and high removing ratios for RBCs and platelets were
achieved using the fabricated parallel spiral microchannels with a U-shaped cross-section.
It was reached under a high-throughput (as high as 6 mL/min), high-capacity (360 mL
sample in 1 h) label-free cell sorting without the need for any significant pre-processing or
post-processing. Single-layer spiral microchannel with the U-shaped cross-section, which
is a modified version of a spiral microchannel with rectangular cross-section, has the
following advantages: (i) Strong commercialization potentials due to simplified fabrication
methods; (ii) Low fabrication costs and efforts; (iii) A wide range for the separation
of cells/particles with different sizes. Such an optimized microfluidic device has great
potential for biological cell separation in clinical applications.

2. Design Principle

In straight channels, shear-induced lift force resulting from the parabolic nature of
the velocity profile in a Poiseuille flow tends to move the dispersed particles away from
the center of the microchannel toward the channel walls. As the particle gets closer to
the walls, an asymmetric wake around the particle forms a wall-induced lift force that
prevents the particles from getting close to the walls and directs them away from the walls
toward the channel center [38]. Hence, the particles are focused in equilibrium positions in
narrow bands where these two opposite forces are equal [20,21,25,28,39,40]. The overall
magnitude of the inertial forces which cause the lateral migration of the particles in a
straight microchannel can be estimated by Equation (1) [41]:

FL = ρG2CL
(

Re, xp
)

ap
4 (1)

where ρ is the density of the fluid, G is the fluid shear rate (G = 2Uf /Dh), Uf is the average
flow velocity, CL is a non-dimensional lift coefficient which is a function of Reynolds
number and particle position in the channel’s cross-section, U is the maximum velocity in
the microchannel, Dh is the hydraulic diameter of the microchannel and ap is the particle
diameter. The magnitude of CL, thus, FL starts from zero in the channel centerline reaches
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a maximum value, and then goes back to zero again around 0.2Dh away from the channel
wall, which is considered as the equilibrium position of particles [41]. Beyond this distance,
CL becomes negative in sign showing the dominant effect of wall-induced lift force and
further increases in magnitude by moving toward the walls [27].

Fluid flow in curvilinear channels experiences radially outward centrifugal acceler-
ation resulting in the shift of maximum velocity toward the outer wall of the channel,
leading to the formation of two counter-rotating vortices known as Dean vortices in the
top and bottom halves of the channel cross-section plane [42,43]. The strength of these two
identical vortices can be described using the dimensionless Dean number (De):

De =
ρUf Dh

μ

√
Dh
2R

= Re

√
Dh
2R

(2)

where ρ is the fluid density, Uf is the average flow velocity, μ is the fluid viscosity, Dh is
the hydraulic diameter, R is the flow path curvature, and Re is the flow Reynolds number.
According to Stokes law, the applied drag force on a single smooth spherical particle (larger
than 1 μm in diameter) in a laminar flow can be calculated using Equation (3) [44]:

FD = 6πμ rpV (3)

where μ is the fluid viscosity, rp is the particle radius, and V is the particle velocity.
Assuming Stokes law, particles are affected by the drag force due to the presence of

the secondary flow in the microchannel, which can be described as:

FD = 3πμ UDean ap (4)

where ap is the particle diameter. Ookawara et al. [45] numerically investigated Dean flows
in a rectangular curved microchannel and presented a correlation, in the form of a power
function, for estimating the average dean flow velocity. They conducted their simulations
based on using the SIMPLE algorithm with a second-order upwind scheme in the Fluent
software with boundary conditions of uniform velocity inlet and pressure outlet for the
microchannel inlet and outlet, respectively. Based on their formulation, the average Dean
velocity can be expressed by Equation (4):

UDean = 1.8 × 10−4 De1.63 (5)

Thus, the drag force caused by the secondary Dean vortices exerting on the particles
can be estimated by:

FD = 5.4 × 10−4 πμ De1.63 ap (6)

The inertial forces and the Dean drag force act in the same direction on the particles
near the outer wall while particles near the inner wall experience these two forces in
opposite directions. According to Equations (1) and (5), the ratio of the inertial lift force to
the Dean drag force (FL/FD) is proportional to ap

3, therefore, as particles become larger,
the inertial lift force exerting on them becomes greater than the Dean drag force and vice
versa for small particles. Hence, in a spiral microchannel, larger particles tend to stay in
equilibrium positions near the microchannel inner wall, while smaller ones are constantly
circulated by the secondary flow.

In this paper, we take advantage of the simultaneous acting of inertial forces and Dean
drag force on the blood cells in a spiral microchannel to develop a high-throughput device
that can isolate WBCs from whole blood without the needs of blood lysis, cell labeling,
centrifugation, and other chemical or physical pre-processing techniques on the sample.
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3. Materials and Methods

3.1. Device Fabrication

Micromilling is a sub-branch of micromachining which has been widely used to
fabricate a wide range of microfluidic devices. The advantages of using this technique
are faster fabrication, straightforward process, easier user interface, and the ability to
manufacture complex geometries, which makes this method an ideal choice in rapid
prototyping microfluidic platforms for testing, validation, and research. Unlike other
means of fabrication such as PDMS casting, etching, etc., micromilling can be employed
on various types of materials and can support the fabrication of multi-level and complex
structures. Moreover, micromilling devices, such as CNC machines can be found nearly in
any university or workshop and are commonly used in manufacturing processes. PMMA
(polymethyl methacrylate) material is mainly used in microfluidics due to its excellent
characteristics, such as biocompatibility, good strength, low cost, and optical properties.
In this study, the master mold was manufactured by micromilling on a PMMA substrate
by Dahlih MCV-1020A milling machine which has an accuracy of 2 μm in the 3 moving
directions. Since the microchannel geometry consists of two sets of levels with different
heights, several layer cuts are needed, including a couple of rough cuts, and two final
cuts with the depths of 1 mm, 120 μm, and 200 μm, respectively. In order to cut the
microchannels on the PMMA substrate, 3 different micromilling bits with different sizes
were used. A 6 mm diameter 4-flute endmill cutting with a spindle speed of 3000 rpm and
cutting feed rate of 100 mm/min was used for starting rough cuts, a 0.8 mm diameter 2-flute
endmill cutting with a spindle speed of 6000 rpm and cutting feed rate of 100 mm/min
was used for cutting the spaces between the spiral loops, and a 0.1 mm diameter 2-flute
endmill cutting with a spindle speed of 7000 rpm and cutting feed rate of 50 mm/min was
used for carving the space above the cross-section passway. Once the PMMA mold was
ready, we proceeded to the next step. The microchip was fabricated using the standard soft
lithography method. Briefly, degassed PDMS (polydimethylsiloxane), previously mixed in
a 10:1 pre-polymer base to the curing agent, was cast onto the master mold and baked in a
vacuum oven for 4 h at 75 ◦C. Cured PDMS layer with embedded channels was peeled off,
and inlets and outlets holes were punched using a 2 mm biopsy punch. Finally, the PDMS
layer was irreversibly bonded to a thick standard glass slab with an oxygen plasma and
subsequently baked for 2 h at 85 ◦C to further improve the bonding. Silicone tubes with an
outer diameter of 2 mm were press-fitted into the channel inlets and outlets. The device
consists of two parallel 4-loop spiral geometry with 4 inlets, and 2 shared inner and outer
outlets. The cross-section of the channels is a U-shape geometry with 700 μm width and
200 μm height, and the two sections of the channel are connected by a 200 μm × 80 μm
passway as shown in Figure 1B.

Each spiral microchannel has an initial radius of curvature of 6 mm and a distance
of 1.9 mm between two successive loops. The total length of each spiral is approximately
17.6 cm (Figure 1A).

3.2. Numerical Simulation

The main idea of simulation is to calculate the forces exerting on the cells in the
fluid domain. Since the cells’ size is relatively comparable to microchannel dimensions
(14 μm vs. 200 μm), the effect of cells on the fluid domain cannot be ignored. In terms
of investigations on the particle lateral migration, most theoretical examinations involve
using simplified models, such as circular tubes, parallel plates, and negligible particle
diameters (a/H << 1). These models manage to approximate the fluid domain by treating
the particle as a dimensionless point with a point-force applying to it, hence failing to take
the effect of the particle on the fluid domain into the account. Originally, Di Carlo et al. [31]
developed an algorithm to overcome these limitations and calculate the inertial forces
exerting on particles with diameters comparable to that of the microchannel dimensions
in a straight rectangular microchannel. The main drawback was that it was limited to
conventional rectangular cross-section microchannels. However, in this study, we further
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developed the algorithm so that we could assess the performance of arbitrary complex
microchannel cross-sections, hence extending it to investigate the viability of our U-shaped
cross-section microchannel on isolating particles with different sizes. Several other useful
information can be collected while using this algorithm as a simulation approach, such as
the threshold flow rate estimation in which smaller particles begin to migrate toward the
outer microchannel section, equilibrium positions of different-sized particles throughout
microchannels with complex cross-sections, the amount of shear stress on the surface of
particles to evaluate the possibility of cell damage, etc. Herein, we represent our modified
version of this algorithm which is developed for a U-shaped cross-section microchannel
in the present work as well as supporting more complex cross-sections alongside treating
dispersed particles as objects affecting the flow field domain. Also, in terms of simulations,
although blood cells don’t exactly match that of a circular shape, they were treated as
smooth solid spherical particles for the sake of simplicity.

Figure 1. (A) The 4-loop parallel spiral microchannels fabricated in PDMS with the correspond-
ing mold preview. (i) The magnified view of section (i). (ii) The magnified view of section (ii).
(B) Schematic of the cross-section of the spiral microchannel (The dimensions are in μm).

Inertial lift force is a function of particle location within the cross-section of a mi-
crochannel and flow shear rate around the particle. We managed to calculate this force
within the cross-section and investigate the equilibrium positions of particles through the
cross-section plane. We took the x-direction as the main flow direction in any arbitrary
cross-section throughout the spiral microchannel. The simulation consists of three steps:

(a) A 3D steady laminar flow is solved through the whole spiral microchannel, and
the velocity profiles are extracted using COMSOL Multiphysics® software.

(b) A straight channel with a proposed cross-section with a length of 20 times the
particle diameter is created.

The velocity profile solved at Step (a) is set as the inlet and outlet boundary conditions,
and the flow field is calculated through the entire channel. Linear and rotational velocities
of flow on some cross-section points will be used in the next step.

(c) Particle modeled as a solid sphere is put in the middle of the microchannel along-
side the x-direction, and its location is set to change in the yz-plane in each solution step.
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Steady-state linear and rotational velocities of the particle are unknown and should be
calculated using an iterative trial-and-error process.

The flowchart of the proposed algorithm is shown in Figure 2.

Figure 2. Flowchart of the numerical algorithm used in this study for the calculation of the forces acting on particles. The
original algorithm was proposed to investigate particle inertial migration in a straight microchannel [31]. It was later
modified to be used in a rectangular spiral microchannel [32]. We extended the original algorithm to run support the
corresponding calculations of any other desired spiral microchannel cross-sections.

The governing equations for fluid flow within the microchannel are continuity and
Navier-Stokes equations as follows [46,47]:

ρ∇ · u = 0 (7)

ρ(u · ∇)u = ∇ ·
[
−pI + μ

(
∇u + (∇u)T

)]
(8)

where ρ is the fluid density, ∇ is the differential (Del) operator, u is the flow velocity vector,
I is the identity tensor and p is the pressure. The Navier-Stokes equations are solved using
the finite element method. We used piecewise-polynomial approximations of equal order
to spatially approximate both velocity and pressure [48]. Specifically, piece-wise quadratic
(P2 + P2) scheme is chosen to discretize the equations. P2 + P2 scheme uses second-order
elements for the velocity field and second-order elements for pressure [48].

To start the algorithm (Step c), we set the initial linear and rotational velocity of the
particle equal to the fluid velocities at the exact location of the particle, which was solved
in step (b). In fact, these initially estimated velocities are from the that no particle is present
in the flow field.

Moving wall boundary condition is applied to channel walls with velocities equal to
particle’s linear velocity (Up) in the opposite direction (–x):

Uwall = −Up (9)

Channel inlet and outlet are set to the same velocity profile given in step (b) and are
updated in every iteration using the particle’s axial velocity as follows:

Uin = Uf luid, old − Up (10)

Particle is treated as a solid sphere with rotating walls:

→
U =

→
Ωp ×

(→
r − →

rp

)
(11)
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where
(→

r − →
rp

)
represents the location of a point on the particle surface relative to its center

with a flow velocity vector of
→
U, and

→
Ωp represents the particle rotational velocity vector.

Particle rotational and axial linear velocities are updated during the calculations until
the axial force, and cross-sectional components of momentum exerting on the particle
become less than 1 × 10−14 N and 1 × 10−20 N·m, respectively, hence, to be considered
as a steady-state condition for the particle. Once convergence occurs, calculations will
start over with the particle being placed at another location in the yz-plane. The following
formulas are used to update the velocities:

Up
′′ = Up

′ + az × Δt (12)

Ωy
′′ = Ωy

′ + αy × Δt (13)

Ωz
′′ = Ωz

′ + αz × Δt (14)

where superscripts indices (′′) and (′) refer to old and new calculated parameters, respec-
tively, Up is the axial linear velocity of the particle, and ax, αy and αz are the linear and
cross-sectional rotational accelerations of the particle, respectively, which can be found
using Newton’s second law of motion.

After the inertial forces are calculated for a specific particle in the whole cross-section,
we can investigate whether the particle can be forced to move through the middle passway
by the secondary flow field or not, hence characterizing the ability of the microchannel to
separate the target cells.

3.3. Mesh Independency

A mixed structured-unstructured type of mesh was used with the presence of the
particle in the microchannel (Figure 3A). The microchannel was split into two distinct parts:
(i) a block containing the particle with a cross-section similar to the cross-section of the
microchannel in which triangular and tetrahedral grids were used for the surface of the
particle and the rest of the zone, respectively, (ii) other zones excluding the particle in which
structured grids were used. The inertial lift force exerting on the particle in the y-direction
throughout the microchannel cross-section was selected as the mesh independence criteria
and various mesh resolutions were considered to evaluate grid independence. The results
show that the maximum value for different parameters, including the width of the block
containing the particle, size of the tetrahedral grids, and size of the triangular grids on the
surface of the particle are 5 × Dp, 0.1 × Dp, and 0.05 × Dp, respectively (Figure 3B), in
order to preserve less than 0.1% change in the y-component of the lift force with Dp being
the particle diameter.

Figure 3. Illustration of the mesh in the fluid domain. (A) The domain was separated into two zones in which tetrahedral
mesh was used between the particle surface and the microchannel walls with a maximum size of 0.1 × Dp, and the structured
mesh was used outside the block, including the particle. (B) Triangular mesh was used on the surface of the particle with a
maximum size of 0.05 × Dp.
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3.4. Sample Preparation

Human blood samples were collected using a blood collection tube. 10 mL of blood
was mixed with 35 μL ethylenediaminetetraacetic acid (EDTA) solution (7 μL per 2 mL
of blood) to prevent blood clotting. This study was approved by the Research Ethics
Committees of the Iran University of Medical Sciences (ID: IR.IUMS.REC.1400.285), and
informed consent was obtained from the subject involved in the study. In addition, all
clinical experiments were conducted in accordance with the ethical principles and related
guidelines. Due to the non-Newtonian behavior of blood and high concentration of RBCs in
the blood, we diluted the starting sample with DI water. The donor’s blood was measured
to be at 45% hematocrit upon donation. Three tubes of the sample were prepared by mixing
the whole blood with DI water with the ratios of 1:45, 1:22.5, and 1:9, therefore, the yielding
blood samples were measured to be at 1%, 2%, and 5% hematocrits, respectively.

Although in this case, minor RBC lysis may occur due to hemolysis which is caused
by osmotic effects of blood dilution, since the main aim of this research is to prepare
WBC samples, this effect is ignored. However, in cases of RBC isolation and RBC sample
preparation, the usage of saline solutions (i.e., PBS) is recommended in order to boost and
preserve RBC recovery.

3.5. Experimental Approach

Throughout the tests, the prepared blood samples were pumped through the spirals’
inner inlets as well as an equal flow of DI water as the sheath flow through the outer inlets
using two 10 mL syringes with a syringe pump with flows varying from 2 mL/min up to
8 mL/min. Processed samples were collected from inner and outer outlets in silicone tubes,
and cell counting was done using a Neubauer chamber.

A total number of 4 distinct tests were done for each flow rate and sample hematocrit
to reduce uncertainty and errors caused by devices and cell enumeration. To get well-
balanced results, DI water was set to be pumped into the spiral microchannel to wash it
out from the remaining blood cells from previous use before running further tests.

Since this research aims to isolate WBCs from whole blood and remove RBCs and
platelets from the target outlet (inner outlet), we introduce the terms ‘isolation efficiency’
and ‘removing ratio’ for WBCs and RBCs + platelets, respectively, to evaluate the de-
vice performance.

The ratio of the number of WBCs in the inner outlet to the whole number of WBCs in
both outlets is reported as the ‘WBC isolation efficiency’ of the spiral microchannel and
the ratio of the number of WBCs to the whole number of blood cells in the inner outlet is
reported as ‘WBC purity’:

%WBC =
# of WBC in the inner outlet

# of WBC in (inner + outer) outlets
(15)

%Purity =
# of WBC in the inner outlet

# of total cells in the inner outlet
(16)

Moreover, the removing ratio of RBCs and platelets are obtained using the equa-
tions below:

%RBC =
# of RBC in the outer outlet

# of RBC in (inner + outer) outlets
(17)

%Platelets =
# of Platelets in the outer outlet

# of Platelet in (inner + outer) outlets
(18)
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4. Results and Discussion

4.1. Device Design for Cell Separation

The concept of cell separation in this method is illustrated in Figure 4. The U-shaped
cross-section design proposed in this study can keep large particles, such as WBCs, in the
inner microchannel section, while forcing smaller cells, like RBCs and platelets, to migrate
to the outer microchannel section through the middle passway without recirculating and
coming back to the inner section of the microchannel. Additionally, the proposed U-
shaped cross-section eliminates the re-circulation and mixing problems of conventional
rectangular cross-sections. In order to reach a decent isolation flow rate, two identical spiral
microchannels are set as parallel to each other, with inner outlets and outer outlets being
merged into a single inner and outer outlet, respectively. At the end of the experiment,
WBCs (ap ∼ 14 μm) are collected from the inner outlets and RBCs (ap ∼ 7 μm) and platelets
(ap ∼ 3 μm) are collected from outer outlets. Due to the size and flow dependence of the
forces exerting on the blood cells, we managed to investigate the effect of flow rate and cell
concentration on the WBC isolation efficiency and RBC and platelets removing ratios in
the spiral microchannel to find the optimum flow rate.

4.2. Validation of the Numerical Simulations

The microfluidic device proposed by Di Carlo et al. [31] was a straight channel with
a 50 μm × 40 μm rectangular cross-section, and the diameter of the particle was 10 μm
in a flow with Re = 80. In order to validate our algorithm, inertial lift forces acting on
a 10 μm particle were calculated in the same straight microchannel (Figure 5A). Particle
equilibrium positions are located in the areas where the force vector approaches zero value,
approximately 0.6 times of half channel width. As can be seen in Figure 5B, our simulations
are quite consistent with Di Carlo’s results [31] and demonstrate the same equilibrium
regions. Next, we investigated the ability of the developed algorithm in this study by
performing the calculations on the U-shaped cross-section microchannel.

4.3. Simulation of the Secondary Flow in the Spiral Microchannel

In a conventional rectangular cross-section spiral microchannel, pressure gradient
results in the formation of the secondary flow consisting of two similar counter-rotating
Dean vortices. However, in our geometry, the secondary flow consists of four Dean
vortices locating at the top and bottom of the inner and outer channel sections. Dean
vortices’ strength is increased by further increasing the flow rate and the Dean number
and, therefore, the vortex cores start to appear (Figure 6).

Contours of velocity magnitude and the schematic of the flow velocity profile in
this study are shown in Figure 6A,B. As can be seen, there are two locations of maximum
velocity in the inner and outer section of the microchannel, with the magnitude of maximum
velocity in the inner section being higher than the outer one. This difference generates
a pressure gradient that causes the secondary flow’s streamline to be directed from the
inner section toward the outer microchannel section. Thus, the secondary flow prevents
the migrated particles from returning to the inner microchannel section through the middle
passway. This option removes the possibilities of cell circulation through the entire cross-
section and increases the isolation efficiency.

The calculated inertial force field acting on a 10 μm particle in the U-shape channel is
shown in Figure 7C. According to the simulation results, 10 μm particles migrate from the
center of the microchannel’s inner section toward the microchannel walls. As the particles
get closer to the walls, a rather large inertial force stops them from further approaching the
walls. The particles tend to reach equilibrium positions where the total amount of inertial
forces exerting on them is zero; these positions are shown as blue dashed lines.
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Figure 4. (A) 3D schematic of the proposed spiral microchip in this study. The design includes
two parallel U-shaped cross-section spiral microchannels that consist of: (I) two inner inlets for the
injection of blood samples, (II) two outer inlets for the injection of sheath fluid, (III) shared outer
outlet for the extraction of RBCs and platelets, and (IV) shared inner outlet for the extraction of WBCs.
(B) Larger blood cells, i.e., WBCs, affected by dominant inertial forces are focused along the inner
microchannel wall. In comparison, smaller blood cells, i.e., RBCs and platelets, are forced to migrate
toward the outer microchannel section by the effect of the secondary flow (flow direction is shown
in green arrows), which in turn stops the smaller cells from getting back to the inner microchannel
section. (C) The overall process of WBC sorting and enumeration. Blood cell count is done using a
Neubauer chamber, and the resulting WBC isolation efficiency is calculated using the fractional ratio
of blood cells in specific outlets to the total count of blood cells in both outlets.
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Figure 5. (A) Calculated inertial force in a straight channel at z = 0 using the algorithm in the present study versus inertial
force reported by Ref. [31]. (B) Calculated inertial force field acting on a 10 μm particle in the present study.

Figure 6. Calculated secondary flow streamlines and velocity vectors in the second loop of the
designed spiral microchannel cross-section at x = 0. Velocity vectors are being directed from the inner
wall to the outer wall in the middle passway with: (A) 2 mL/min, (B) 3 mL/min inlet flow rate (Note
that in this figure the origin of y-direction lies on the origin of the spiral microchannel).
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Figure 7. (A) Contour of velocity magnitude in the spiral microchannel at the second loop at x = 0
with an inlet flow rate of 3 mL/min. (B) Velocity magnitude profile with the change in inlet flow rates
at z = 40 μm (z = 0 indicates the bottom wall of the microchannel and y = 0 indicates the centerline of
the microchannel cross-section (cl), this difference in the maximum velocity magnitude results in the
streamlines being directed from the inner microchannel wall (iw) toward the outer microchannel
wall (ow). (C) The calculated inertial force field acting on a 10 μm particle in the inner section of the
spiral microchannel with an inlet flow rate of 5 mL/min. Equilibrium positions are shown as blue
dashed lines in the microchannel cross-section. (D) The inertial force applying to a 10 μm particle
alongside y-direction at z = 64.4 μm (z/200 μm = 0.322) and z = 82.2 μm (z/200 μm = 0.411). As
can be seen, the inertial force at the beginning of the passway is much lower than the wall-induced
inertial force. The Dean drag force can overcome this inertial force, therefore, allowing the particles
smaller than 10 μm to move toward the outer section of the spiral microchannel.

The U-shaped microchannel’s capability to isolate the particles depends on the value
of the exerting the inertial forces and the Dean drag force on the particles near the middle
passway. Suppose the Dean drag force overcomes the inertial forces. In that case, the
particles migrate to the outer microchannel section through the middle passway and,
due to the direction of the streamlines, they cannot come back to the inner section. The
inertial lift force profile applying to a 10 μm particle alongside the y-direction is given in
two different microchannel heights at the beginning of the middle passway in Figure 7D.
According to the calculation results for 5 mL/min flowrate, the Dean drag force is strong
enough to overcome the inertial forces for particles smaller than 10 μm, hence moving
them to the outer microchannel section. However, for particles larger than 10 μm, the
inertial lift force near the passway walls is strong enough to overcome the Dean drag force
to keep these particles in the inner section. We did our calculations based on a 10 μm
particle to ensure a safe particle diameter margin in which WBCs ~ 14 μm are isolated from
smaller particles (RBCs ~ 7 μm and platelets ~ 3 μm) in the designed spiral microchannel.
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The optimum flow rate for the isolation of blood cells will be investigated experimentally,
which will be discussed in the next sections.

Contours of the total shear stress exerting on a 14 μm particle in the 3 directions can
be seen in Figure 8. According to the simulations, the particle is prone to maximum stress
in the flow rate of 8 mL/min at the top corner of the cross-section near the microchannel
inner wall shortly after the microchip inlet. In the worst-case scenario, the magnitude
of the total stress applying to a 14 μm is calculated to be less than 45 Pa. Cell loss and
damage due to fluid shear stress is a function of both stress magnitude and exposure time.
The less exposure time to a particular shear stress, the less the chances of having cells
damaged [49]. The critical magnitude of shear stress in this study for a 14 μm particle
which is set to represent a WBC, remains relatively below the known threshold of WBC
damaging shear stress [49]. Additionally, the low exposure time of WBCs to these amounts
of shear stress, which equals to the amount of time that a single cell manages to pass
through the microchannel (about 0.306 s) further lessons the possibility of losing WBCs in
the process.

4.4. Presence of the Secondary Flow in the Spiral Microchip

In order to confirm the presence of the secondary flow in the spiral microchannel, two
syringes of fluid were prepared. One syringe was filled with a colored fluid, while the other
one was filled with DI water. The colored fluid was introduced into the spiral microchannels
through the inner inlets, and DI water was set to enter through the outer inlets. The two
syringes with 10 mL capacity were driven at 5 mL/min (2.5 mL/min per spiral) (Re = 81.7,
De = 11.2) using a syringe pump, and images of the flow streams were captured at the inlets
and outlets of the left side spiral. As shown in Figure 9, the colored fluid filled the entire
section of the microchannel at the outlet bifurcation, showing the Dean vortices’ effect to
mix the flow in both the inner and outer sections of the spiral microchannel.

4.5. The Effect of the Flow Rate

To investigate the effect of the flow rate on the separation of blood cells, blood sample
with the hematocrit of 1% was injected into the microchip through the inner inlets with
2–8 mL/min flowrate (with 1 mL/min step), and DI water was injected through the outer
inlets as the sheath flow with the same flow rate.

The corresponding Reynolds and Dean number for various testing flow rates for the
microchip are listed in Table 1.

As shown in Figure 10A, RBCs’ removing ratio reaches a maximum value of 95.7%
by increasing the blood sample flow rate up to 6 mL/min and then decreases with further
flowrate increment.

The initial expectation would be that for sample flow rates higher than 6 mL/min,
small cells do not have enough time (length) to migrate from the inner to outer section due
to higher linear velocity. However, further investigations show that increasing the flow
rate increases the inertial force more than the Dean drag force. The resultant force stops the
majority of the RBCs from migrating through the middle passway, and, hence, the overall
efficiency decreases. Additionally, local perturbations in the place of the outlet bifurcation
negatively affect the isolation efficiency and removing ratios, which causes the cells to exit
through the wrong outlets and further reducing the device’s performance.

Unlike RBCs and WBCs in which inertial and Dean drag forces acting on them compete
with each other all the time, platelets are always affected by Dean drag force due to their
very small diameter. The removing ratio for platelets reaches a maximum value of 94.6% at
a flow rate of 4 mL/min and remains almost constant up to 8 mL/min. Since the inertial
forces and the Dean drag force are proportional to the 4th and 1st power of the particle
diameter, respectively, the value of the inertial forces applying to the platelets are negligible,
and they accumulate in the outer section of the spiral microchannel with a high average
removing ratio (Figure 10B).
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Figure 8. Schematic of (A) the critical location for a 14 μm particle in terms of experiencing the
maximum shear stress throughout the spiral microchannel, (B) the total shear stress exerting on the
particle in the x-direction, (C) the total shear stress exerting on the particle in the y-direction, (D) the
total shear stress exerting on the particle in the z-direction, (E) the total magnitude of shear stress
exerting on the particle. The resulting maximum stress in the x, y, and z-direction was found to be
35 Pa, 35 Pa, and 20 Pa, respectively. Moreover, the maximum value for the magnitude of total shear
stress is 45 Pa.
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Figure 9. Images of the left side spiral at (A) Inlets, (B) outlets showing the effect of the secondary
flow on mixing the colored fluid throughout the entire microchannel. The colored fluid and DI water
were pumped through the microchannel from the inner and outer inlets, respectively.

Table 1. The microchip’s specifications in terms of sample flow rate, microchannel Reynolds number,
and Dean number.

Sample Flow Rate
(mL/min)

Sample Flow Rate Per
Spiral (mL/min)

Re De

2 1 32.68 4.50

3 1.5 49.02 6.75

4 2 63.36 9.00

5 2.5 81.70 7.47

6 3 98.04 13.50

7 3.5 114.38 15.75

8 4 130.72 18.00

 

Figure 10. The effect of the sample inlet flow rate on the removing ratio of (A) RBCs, (B) platelets for
1% blood hematocrit sample. RBC removing ratio is the most sensitive to changes in inlet flow rate
with a maximum value at 6 mL/min. The removing ratio of platelets is the least dependent on the
flow rate and they can be extracted from the shared outer outlets with high removing ratios.

Test results show that the isolation efficiency of WBCs from whole blood is almost
stable up to a flow rate of 6 mL/min with 96.8% maximum efficiency at 5 mL/min.
Increasing the sample flow rate has virtually no significant effect on the isolation of WBCs
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because the inertial forces have the leading role in keeping the cells in the inner section of
the spiral microchannel. However, further increase in flow rate from 6 mL/min increases
the Dean vortices’ strength, which tends to move the white blood cells to the outer section
and decreases the WBC isolation efficiency (Figure 11A). According to Figure 11B, WBC
purity increases significantly from 44.3% at 2 mL/min to 88.3% at 6 mL/min by increasing
the flow rate since the removing ratio of RBCs has also the same trend with respect to flow
rate. A further increase in the flow rate results in a fall in purity since RBCs and platelets
manage to remain in the inner section within the strong vortices.

 
Figure 11. The effect of the sample inlet flow rate on WBC: (A) isolation efficiency, and (B) purity for a 1% blood hematocrit
sample. The WBC isolation efficiency experiences a massive drop in higher flow rates due to the existence of high-strength
dean vortices which force the WBCs to migrate to the outer microchannel wall. The outlet samples are the purest with flow
rates of 4, 5, and 6 mL/min. The higher the removing ratio of RBCs and platelets, the higher WBC purity.

Since RBC removing ratio is highly dependent on the inlet flow rate, the overall criteria
of the success of the spiral microchip on isolating the WBCs from whole blood must be
selected based on the best isolation efficiency of WBCs and removing ratio of RBCs at the
same time. As a result, for a 1% hematocrit blood sample, our spiral microchip can isolate
WBCs from whole blood with 96.8% efficiency at the inlet flow rate of 6 mL/min with a
WBC sample purity of 88.3%. Moreover, the removing ratios of RBCs and platelets, in this
case, are 95.8% and 94.2%, respectively at this flow rate.

Using flow rates of more than 8 mL/min is not applicable due to cell damage pos-
sibilities. Additionally, higher flow rates may break up the PDMS-glass slide bonding
and are dangerous for test operators, so continuing the tests with flow rates of more than
8 mL/min was not possible.

4.6. The Effect of Hematocrit

The same methods and tests were applied to blood samples with 2% and 5% hematocrit
to find the effect of the hematocrit on the efficiency of cell separation.

As shown in Figure 12A, the general trend of the removing ratio of RBCs remains the
same for three tested blood hematocrits. RBC removing ratio peaks at 88.4% and 82.5%
at 4 mL/min and 5 mL/min flow rates for 2% and 5% hematocrit, respectively, which is
considered as a significant drop in the RBC removing ratio compared with 95.7% of 1%
hematocrit blood sample at 6 mL/min flow rate. At relatively low flow rates, the difference
in removing ratios is negligible for three hematocrits. However, in the 3–7 mL/min flow
rate band, the ratio drops with the increase in hematocrit, and this difference tends to grow
by increasing the flow rate up to 7 mL/min. The decrease in removing ratio with an increase
in hematocrit is due to the higher concentrations of RBCs in higher blood hematocrits that
raise the effect of cell-cell interaction force alongside the inertial forces and Dean drag force,
which further degrades the overall removing ratio. Platelets typically focus in the outer
microchannel section and can be extracted from the outer outlet at relatively high removing
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ratios Figure 12B. The effect of hematocrit on the isolation is relatively low in this case.
It peaks at a value of 93.8% at 5 mL/min and 91.6% at 4 mL/min for 2% and 5% blood
hematocrit, respectively, which is pretty much close to 94.2% extraction at 6 mL/min for 1%
blood hematocrit. The reason is that the platelets are quite small, and cell-cell interactions
are negligible. Hence, the primary force acting on the platelets is the secondary Dean
drag force which carries them to the outer section of the spiral microchannel through the
middle passway.

 

Figure 12. The effect of blood hematocrit on the removing ratio of (A) RBC, (B) Platelets. The removing ratio mainly
decreases with an increase in blood hematocrit due to a rise in the effect of cell-cell interaction. While RBC removing ratio is
highly dependent on blood hematocrit, the removing ratio of platelets does not seem to change very much with a change in
blood hematocrit.

According to Figure 13A, the overall isolation efficiency of WBCs decreases as hemat-
ocrit increases. The efficiency starts at relatively high amounts at the flow rate of 2 mL/min;
i.e., 92% and 90.2% for 2% and 5% hematocrits which are lower than the 95.2% efficiency
value reached by 1% blood hematocrit.

 

Figure 13. The effect of blood hematocrit on WBCs’: (A) isolation efficiency, (B) purity. Separation efficiency mainly
decreases with an increase in blood hematocrit due to the rise in the effect of cell-cell interaction in higher flow rates. Sample
purities for lower hematocrits are mainly higher since to amount of RBCs in the diluted sample is lower. WBC purity is
higher at the inlet flow rates of 5, 6, and 7 mL/min due to an increase in RBCs removing ratio.
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As the flow rate increases, the reduction in isolation efficiency becomes noticeable
for higher hematocrits. In terms of purity, higher sample hematocrits are less pure than
the sample with 1% hematocrit due to the fact that more RBCs and platelets are present in
these samples. The WBC outlet sample has a maximum purity of 78.8% at 6 mL/min and
65.5% at 5 mL/min flow rate for 2% and 5% hematocrits, respectively (Figure 13B). These
figures are pretty much lower than the maximum purity for 1% hematocrit which is 88.3%.
Therefore, increasing the sample hematocrit has a negative effect on WBC purity.

The three best overall performances of the microchip tested at different flow rates and
hematocrits are listed and summarized in Table 2.

Table 2. Summary of the spiral microchip best performance results in the isolation of WBC, RBC, and
Platelets based on the inlet sample flow rate and hematocrit.

Sample Hematocrit

1% 2% 5%

Flow rate (mL/min) 6 5 4

WBC
Purity (%) 88.3 74.8 61.5

Isolation efficiency (%) 95.3 92.5 88.8

RBC Removing ratio (%) 95.7 88.4 82.5

Platelet Removing ratio (%) 94.2 93.8 91.6

With all things considered, optimum results are achieved under a flow rate of 6 mL/min
for a 1% hematocrit blood sample. The illustration of flow and collected blood samples from
the microchip outlets are shown in Figure 14.

The isolation of WBCs from whole blood has been the main purpose of our spiral
microchip. Since the RBC removing ratio is highly sensitive to inlet flow rates, even a slight
improvement in removing the red blood cells from the target outlet is a success. Because
any sample contains numerous RBCs compared to other blood components (about 1 WBC
to every 600 RBC), we managed to select the best performance based on the highest value
for RBC removing ratio. Yet, we had to sacrifice a small amount of WBC isolation efficiency.

Figure 14. Cont.
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Figure 14. Illustration of the flow in outlet bifurcation in the left spiral for 1% hematocrit blood
sample with (A) 2 mL/min (B) 4 mL/min (C) 6 mL/min and (D) 7 mL/min flow rates and collected
blood samples with (E) 1%, (F) 2% and (G) 5% hematocrit for 6 mL/min flow rate from microchip’s:
(I) outer outlets and (II) inner outlets. As can be seen, for constant sample hematocrit, increasing
the flow rate reduces the concentration of RBCs in the inner outlets, which results in an increase in
WBC WBC and isolation efficiency and RBC removing ratio. For constant flow rates, reducing the
sample hematocrit (i.e., higher dilution factors) further reduces the concentration of RBCs in the
inner outlets, thus, the collected sample from the inner outlet looks more transparent in comparison
to higher sample hematocrits.

The numerical simulations showed that a 5 mL/min flow rate could force particles
smaller than 10 μm to migrate to the outer microchannel section while holding the particles
larger than 10 μm in the inner section. Although the simulation settings are for the case
of a single solid particle dispersed in a Newtonian fluid without the interference of other
particles, the experimental reported results are reasonably acceptable for 1% hematocrit at
5–6 mL/min flow rate.

5. Conclusions

This paper proposed a passive cell separating method using two parallel U-shaped
spiral microchannels for size-based, label-free and continuous separation of WBCs from
whole blood based on cell inertial migration. The spiral microchannel with U-shaped cross-
section increases WBC isolation efficiency by avoiding the re-circulation of smaller cells
(RBCs and platelets) through the entire microchip, thus eliminating the major drawback of
the conventional rectangular spiral microchannel. Numerical simulations were performed
to study the flow behavior, secondary flow distribution, and particle migration mechanism
in the proposed design. An algorithm was developed to calculate the hydrodynamic
forces exerting on particles present in the U-shaped spiral microchannel to further predict
the design’s performance before proceeding to the fabrication of the microchip as well
as checking the possibility of WBC damage due to the applying shear stress to them.
Subsequently, we successfully isolated WBCs from whole blood in our experiments and
investigated the effect of flow rate and hematocrit on the WBC isolation efficiency and
RBC and platelet removing ratios. The best performance can be achieved for a 6 mL/min
flow rate with 95.3% and 88.3% isolation efficiency and purity for WBCs, respectively,
and removing ratios of 95.7%, and 94.2% for RBCs, and platelets, respectively, for a 1%
hematocrit blood sample. Also, our device can process an amount of 360 mL of 1%
hematocrit blood sample in 1 h under its best condition which is considered to be higher
than most of the conventional cell separating microfluidics platforms. Additionally, the
proposed spiral microchip allows a high-throughput, high-efficiency, non-invasive, size-
based label-free WBC separation from whole blood without the assistance of RBC lysis,
density gradient centrifugation, cell biomarkers, and chemical treatments on the sample.
Most importantly, it can be integrated into more complex microfluidic platforms.

Moreover, we successfully tested the double parallel spiral microchannels. We reached
decent isolation results that are already superior to most of the microfluidic cell sorting
platforms in case of fast processing time. There is still room for improvement in mi-
crochip throughput, which can be done by parallelizing more spiral microchannels while
maintaining high performance.
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Abstract: Plasma extraction from blood is essential for diagnosis of many diseases. The critical
process of plasma extraction requires removal of blood cells from whole blood. Fluid viscoelasticity
promotes cell migration towards the central axis of flow due to differences in normal stress and
physical properties of cells. We investigated the effects of altering fluid viscoelasticity on blood
plasma extraction in a serpentine microchannel. Poly (ethylene oxide) (PEO) was dissolved into
blood to increase its viscoelasticity. The influences of PEO concentration, blood dilution, and flow
rate on the performance of cell focusing were examined. We found that focusing performance can be
significantly enhanced by adding PEO into blood. The optimal PEO concentration ranged from 100 to
200 ppm with respect to effective blood cell focusing. An optimal flow rate from 1 to 15 μL/min was
determined, at least for our experimental setup. Given less than 1% haemolysis was detected at the
outlets in all experimental combinations, the proposed microfluidic methodology appears suitable
for applications sensitive to haemocompatibility.

Keywords: blood plasma separation; microfluidics; viscoelasticity; particle migration

1. Introduction

Blood is a two-phase suspension of red blood cells (RBCs), white blood cells (WBCs),
and platelets suspended in plasma. Given the high protein content, including serum
albumin, globulins, and fibrinogen, within plasma, this fluid is often separated from whole
blood and used for analytical purposes, including in vitro diagnostics. Blood plasma also
contains glucose, electrolytes, hormones, carbon dioxide, and oxygen, so it is crucial for
the intravascular osmotic effect which maintains the balance of electrolyte concentration
and protects the body from infection and other blood diseases. However, the presence of
cellular components inhibits diagnostic sensitivity, accuracy, and reproducibility. Hence,
it is of great importance to remove blood cells from the whole blood and extract plasma
for medical applications. Two conventional methods, namely centrifugal separation and
membrane filtration, have become standard practice over the last century. Although the
centrifugal technique is widely used in biological labs, such a device is bulky and involves a
batch-based separation technique, thus it is limited for integration with other units to form a
fully automated system for point of care diagnosis. Moreover, inappropriate centrifugation,
despite the low likelihood, may cause haemolysis of RBCs, leading to contamination risks
and misdiagnosis due to handling errors [1]. On the other hand, membrane filtration
technique has finer structural details, but clogging and fouling issues inherent in this
mode severely deteriorate filtration performance, especially for samples with high cellular
content [2].
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Microfluidic techniques refer to the systems that process fluids in channels with
typical dimensions (width and height) in the order of 10 to 100 μm. The corresponding
characteristic length scale enables precise manipulation of fluid and particles, such as
cellular components of blood, and thus facilitates the purity and efficiency requirements
for plasma separation. Microfluidic technology has consequently become a promising
candidate for plasma separation in recent years [3–5].

Based on the origin of manipulating forces, microfluidics can be classified as either
active or passive techniques. The former utilises external active forces, such as dielec-
trophoresis [6], magnetophoresis [7], or acoustophoresis [8], while passive methods exploit
the intrinsic fluid dynamics of a sample [9,10]. Of particular relevance for passive mi-
crofluidic techniques are inertial microfluidics, which permit simple fabrication, low cost
of development, and high throughput [11,12]. Note that within passive systems, the
suspending medium is commonly a Newtonian fluid with a constant viscosity.

More recently, the migration of particles immersed in viscoelastic fluids has attracted
increased attention due to the simple focusing equilibrium position caused by the intrinsic
nonlinear elastic properties of viscoelastic fluids [13–17]. Leshansky et al. [18] observed
that, when particles were suspended in viscoelastic fluids, flow within straight circular
channels with negligible inertial conditions led to particle migration towards the centreline
by the normal stress difference between the axis and the wall. In contrast, Yang et al. [19]
reported that flow within straight rectangular channels of a viscoelastic suspension led to
particles with different sizes migrating towards the corners, in addition to the centreline.
The latter finding is more practical since microfluidic channels are mainly made in planar
geometries, i.e., rectangular cross sections, due to standard photolithography and soft
lithography. Based on the size-dependent migration in rectangular channels, viscoelastic
fluids have been previously used to separate platelets from diluted whole blood [20], E. coli
bacteria from RBCs [21], malaria parasites from WBCs [22], Jurkat cells from yeast cells [23],
and Chlorella microalgae from B. subtilis bacteria [24]. In addition, Lu et al. [25,26] exper-
imentally found that particles can be sorted by their shape/morphology in viscoelastic
microfluidics [27–29]. Later, based on the simple shape-dependent migration principle,
viscoelastic fluids were adopted to separate abnormal-shaped yeast cells from those that
were regular shaped [30], incubated Candida albicans with germ tube formations from spher-
ical candida cells [31], and cyanobacterial Anabaena with different rod aspect ratios [32].
Moreover, Yang et al. [33] demonstrated that elasto-inertial particles can also be sorted by
their deformability, successfully isolating rigidified RBCs from fresh RBCs.

In contrast to sorting different cells into different locations, it is of more interest to focus
all the cells into a single equilibrium position in terms of blood plasma separation. In Yang
et al. [19], it was experimentally demonstrated that the number of equilibrium positions
can be reduced to one (centreline) even in rectangular channels by increasing the fluid flow
inertial force without altering any other condition. Additionally, secondary flows created
in curved channels or straight channels with disturbance obstacles were found to facilitate
migration and modify the equilibrium positions depending on the balance between the
inertial lift and Dean drag forces [34,35]. Yuan et al. [36] then combined both Dean-flow
and elasto-inertial effects, and successfully demonstrated the separation of blood plasma in
a straight channel with asymmetrical expansion–contraction cavity arrays (ECCA channel);
the purity of separated plasma was as high as 99.99%. However, the blood was highly
diluted (~20 times) and the effect of blood dilution on plasma separation performance
was not studied. Moreover, the haemocompatibility of the added viscoelasticity on blood
processing (e.g., the intactness of RBCs) remains unknown.

In this work, we systematically investigated viscoelastic blood plasma extraction in a
serpentine microchannel. Whole blood was diluted using a viscoelastic phosphate-buffered
saline (PBS) solution dissolved with poly (ethylene oxide) (PEO). The influences of PEO
solution concentration, blood dilution, and the inertial force on the blood plasma separation
performance were investigated. Finally, the haemocompatibility of viscoelastic microfluidic
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blood plasma separation was examined by measuring levels of free haemoglobin within
the separated plasma.

2. Theoretical Background

Among the theories of particle migration in Newtonian fluids, Asmolov’s solution [37]
has been widely used to determine the lateral forces (FL) exerted on particles immersed
within Newtonian fluids in inertial flow [38], as follows:

FL =
ρfU2

ma4

D2
h

fL(Rec, xc)

where ρf, Um, a, Dh denote the fluid density, mean velocity, spherical diameter of the
particles, and hydraulic diameter of the channel, respectively. The lift coefficient f L(Rec, xc)
is a function of the particle position within the cross section xc and the channel Reynolds
number Rec, which is expressed as:

Rec =
ρfUmDh

μf

where μf represents the dynamic viscosity of the fluid.
In the presence of non-Newtonian viscoelastic fluids, an extra elastic force is exerted

on particles. The elasticity can be characterised by Weissenberg number (Wi) in rectangular
channel flows as [39]:

Wi = λ
.

γc =
2λQ
hw2

where λ,
.

γc, Q denote the relaxation time of the fluid, characteristic shear rate and volu-
metric flow rate, respectively. For elasto-inertial flows in rectangular channels, both the
first (N1 = τxx − τyy) and second (N2 = τyy − τzz) normal stress differences contribute to
the particle migration. τxx, τyy, and τzz denote normal stresses along the main flow, the
velocity gradient, and vorticity direction, respectively. It is known that the second normal
stress difference N2 leads to the development of the secondary motions in viscoelastic flows
and it becomes negligibly small compared with N1 in diluted PEO solutions [40,41]. Thus,
the lateral force FE exerted on a particle by the normal stress difference is expressed as [42]

FE ∝ a3 ∂N1

∂x

3. Materials and Methods

3.1. Design and Fabrication of Microfluidic Devices

The microfluidic channel used in this study is illustrated in Figure 1. The channel
consisted of a 90 mm serpentine section and a 6 mm straight section with a uniform depth
of 70 μm. The width of each U-turn in the serpentine section was 120 μm. The width of the
serpentine and straight channel were 60 μm and 200 μm, respectively. The middle outlet
is marked as Outlet A, while the two side outlets are labelled as Outlet B1 and B2. All
devices were fabricated by standard photolithography and soft lithography techniques [43],
including silicon master fabrication, and poly-dimethylsiloxane (PDMS) replica molding as
well as bonding through plasma oxidation.

3.2. Preparation of Viscoelastic Fluids

A 0.5% w/v PEO (average Mw~2 million Da, Sigma–Aldrich, St. Louis, MO, USA) in
phosphate-buffered saline (PBS) solution was prepared by rapid mixing to form a uniform
PEO solution with a concentration of 5000 parts per million (ppm). PEO was chosen as
the viscoelastic agent because it is reported to be biocompatible [44] and is widely used
in viscoelastic microfluidics [13]. The 5000 ppm PEO solution was subsequently mixed
with whole blood and PBS at different ratios to achieve the following: blood dilutions (1/2,
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1/3, 1/5, and 1/10); and PEO concentrations (100, 200, 500, 1000, and 2000 ppm). The
viscosity of the varied blood–PEO suspensions was measured through a Brookfield DV3T
rheometer with a CPA-40Z spindle. The results were assessed across a range of shear rates
(75~1500 s−1) and is presented in the Supplementary Figure S1.

 
Figure 1. The microfluidic channel used in this study: (A) a schematic diagram; (B) an image of the
fabricated microfluidic device during use with whole blood.

3.3. Preparation of Blood Cells

Blood was collected from healthy humans via venepuncture of a prominent vein in
the antecubital region. Blood was collected into vacutainers containing 1.8 mg/mL of
the anticoagulant K2EDTA. Experimental procedures were completed within 6 h of initial
blood collection. All protocols were reviewed and approved by the Griffith University
Human Research Ethics Committee (protocol number: 2021/773), which conforms with the
Declaration of Helsinki.

3.4. Flow Cytometry and Haemoglobin Analysis

Cell counts and filtration efficiency was determined for samples collected from outlets
A and B using flow cytometry and spectrophotometric haemoglobin analysis for each
concentration of PEO. Flow cytometry was performed using a FC500 flow cytometer
(Beckman Coulter, CA, USA), with RBCs gates identified using initial antibody staining of
glycophorin A (CD35a) conjugated to fluorescein isothiocyanate. To obtain accurate cell
counts, absolute cell counting beads (123count eBeads, Invitrogen, Waltham, MA, USA)
were added to each sample prior to analysis. Absolute total events were used for analysis
to compare cell counts between outlet A (centre) and outlet B (side) to gain a measure of
filtration efficiency.

To ensure the microfluidic device did not damage RBCs in the process of cell focusing
and phase separation, samples collected from all outlets were assessed for haemolysis using
the Harboe spectrophotometric method (PMID: 13646603) [45]. Briefly, the supernatant was
isolated via centrifugation at 3000× g for 10 min, before being diluted 1:10 in 0.01% Na2CO3
solution. Each sample was thoroughly mixed and subsequently loaded into a microplate
reader (FLUOstar Omega, BMG Labtech, Mornington, VIC, Australia) and absorbance
was recorded at 380, 415, and 450 nm. Free haemoglobin concentration (mg/dL) was
then calculated using the following formula: [Hb] = (167.2A415 − 83.6A450 − 83.6A380).
Haemolysis was determined for central (A) and side (B) outlets relative to each respective
total haemoglobin concentration.

3.5. Experimental Setup and Data Analysis

Blood samples diluted in PEO PBS were infused into the microfluidic device at specific
flow rates by a syringe pump (neMESYS, Centoni GmbH, Korbußen, Germany). To avoid
the presence of air bubbles inside the microchannel, which could adversely interrupt the
flow characteristics, the microchannel as well as the connected tubing were fully filled with
PBS before each experiment. In experiments, to reduce sedimentation of blood cells (which
drastically influences the blood concentration within the microchannel), the syringe pump
was regularly arranged from vertical to horizontal orientation, and vice versa. However,
a mixing device should be integrated inline in practical applications, such as placing a
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magnetic stirrer bar in the sample chamber and activating it by a rotating magnetic field.
The outputs from Outlet A and Outlet B were collected into two 2 mL tubes for each case.
An inverted microscope (Nikon Eclipse Ti) equipped with a high-speed camera (Phantom
Miro3, Vision Research) at an ultra-short (~20 μs) exposure time was utilised to monitor
and record the flow of samples inside the microchannels. The open-source software ImageJ
(National Institutes of Health, Bethesda, MD, USA) was adopted to analyse the captured
videos. The images of each video were stacked so that the statistical distribution of blood
cells could be visualised. The polynomial curve fitting method was adopted to fit the data
of focusing performance through MATLAB.

4. Results and Discussions

4.1. Blood Plasma Extraction Mechanism

When blood samples diluted in PEO PBS solution flow through the serpentine channel,
three forces exert on the cellular components, including an inertial lift force induced by
the flow inertia [37], an elastic force caused by the viscoelastic fluid [18], and a Dean drag
force resulting from the curved structure at each turn [34]. The Dean drag force is absent in
the straight regions of each channel. In general, the inertial lift force focuses the particles
at a certain distance away from the channel walls. Meanwhile, the viscoelastic force
causes a lateral force on the blood cells by the first normal stress difference, leading to cell
movement away from the wall. In addition, the serpentine channel contains curved regions
with two opposite directions in a periodic pattern, resulting in the alternate directions
of corresponding Dean drag forces. This process aids the focusing of cells towards the
centreline of flow. Hence, under the synergistic effect of the three forces, the cellular
components of the diluted blood are expected to be focused on the central area of the
channel after a certain flowing distance. Finally, the blood plasma can be extracted from
cell-free regions nearby two side walls and collected at the side outlets B1 and B2.

4.2. Fluid Viscoelastic Enhanced Focusing of Blood Cells

In this section, we studied whether the added fluid viscoelasticity facilitated the
focusing of blood cells. The blood sample diluted in only PBS was selected to be the control,
which is labelled as CPEO = 0 ppm. We first compare it with whole blood diluted in 500 ppm
PEO PBS solution. Figure 2 presents the distribution of blood cells after the serpentine
region of the channel for the two cases, at the same blood concentration (1/10) and volume
flow rates ranging 1 to 50 μL/min. The side walls of the microfluidic channel are identified
in each test with a dashed line overlay. As observed, the added viscoelasticity from PEO
facilitated the focusing of blood cells. For blood sample of CPEO = 0 ppm, even with 10 times
dilution, the cell-free layers are very narrow. However, the cell-free area is increased by
the viscoelastic effect at certain range of flow rates for blood samples of CPEO = 500 ppm.
Furthermore, the total width of free cell layers first increases and then decreases with the
increase of flow rate (Figure 2B), which indicates that the enhancement of cells focusing by
viscoelasticity is also sensitive to flow rate.

To quantify the focusing performance, a cell-free area ratio δ is introduced as follows:

δ =
Wf
Wc

=
Wf1 + Wf2

Wc

where Wf denotes the total averaged cell-free layer width, which is the sum of the two
cell-free layer widths Wf1 and Wf2 nearby channel walls. Wc represents the channel width.
To calculate Wf, we first stacked each frame of the micrographs into a single figure. A
rectangular region of interest was then selected at a discrete point before the expansion.
Finally, the profile of grey values along the channel’s width was obtained to determine
the cell-free area with the error areas considered. Figure 3 illustrates the process using the
data from the 1/10 blood concentration and 500 ppm PEO at flow rate of 10 μL/min as an
example. Since the greyscale value of 0 represents black, it is not difficult to determine the
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widths of the error areas (err1 and err2), and then the total width of cell-free layers on two
sides Wf can be estimated, so as δ.

 

Figure 2. Blood cell distribution at the end of the serpentine channel at various flow rates: (A) whole
blood diluted (×1/10) in PBS; (B) blood diluted (×1/10) in 500 ppm PEO PBS solution. The added
viscoelasticity from PEO can facilitate the focusing of blood cells at channel centre, and the expanded
cell-free area is beneficial for blood plasma extraction.

Figure 3. Image process and averaged greyscale value analysis to determine the boundaries of the cell-
free areas. 50 frames of images captured by a high-speed camera were stacked. The greyscale values
along the channel lateral position were obtained at the end of serpentine channel. The boundaries of
the cell-free layers on two sides were determined by half of the error area width.

By repeating the procedures above, the effect of flow rate on the cell-free area ratio
δ can be obtained (Figure 4). As presented, the cell-free area ratio δ of 10 times diluted
blood in 500 ppm PEO PBS is significantly higher than that in only PBS at low to moderate
flow rates (1~30 μL/min), while a narrowed cell-free area ratio δ was found at high flow
rates (40 and 50 μL/min). Importantly, a peak value of δ was identified for the focusing
performance of 10 times diluted blood in 500 ppm PEO PBS, as demonstrated by the fitting
curve. Specifically, when the flow rate was 10 μL/min, δ of 10 times diluted blood in
500 ppm PEO PBS was at its highest value of approximately 0.56, which is more than two
times of the peak δ value (around 0.23) of PBS.

4.3. Effects of PEO Concentration and Blood Dilution

We further investigated the effects of PEO concentration and blood dilution on blood
cells’ focusing performance. Various PEO concentrations and blood dilutions demon-
strated a similarly peaked response (Figure 5); the cell-free area ratio δ generally shows
an initial increase and subsequent decrease when flow rate increased, except for the case
with the highest PEO concentration (CPEO = 2000 ppm) which demonstrates a consis-
tently decreasing trend. Additionally, low PEO concentrations (CPEO = 100, 200, and
500 ppm) demonstrated superior performance compared to counterparts with high PEO
concentration (CPEO = 1000, 2000 ppm). Specifically, the highest δ was approximately
0.44 of CPEO = 100 ppm at 15 μL/min, 0.58 of CPEO = 200 ppm at 15 μL/min, and 0.56 of
CPEO = 500 ppm at 10 μL/min. In general, optimal δ were found within low to moderate
flow rates, and this optimised flow rate decreased from 15 to 1 μL/min when CPEO in-

62



Biosensors 2022, 12, 120

creased from 100 to 2000 ppm (Figure 5A). Furthermore, among the various blood dilution
cases, the 10 times diluted blood consistently shows a superior effect to others, as presented
in Figure 5B. This is not unexpected, since larger dilution has fewer cells, thus leading to
larger cell-free layers. Similarly, optimal focusing performances were found within low to
moderate flow rates ranging from 5 to 15 μL/min. Among all the cases, the highest cell-free
area ratio δ was approximately 0.58 with 200 ppm PEO concentration and 10 times diluted
blood at 15 μL/min.

Figure 4. Comparison of cell-free area ratio δ of diluted (×1/10) whole blood samples in PBS and
500 ppm PEO PBS, respectively. δ of diluted blood in 500 ppm PEO PBS is significantly higher than
that in only PBS at low to moderate flow rates (1~30 μL/min).

Figure 5. The effects of PEO concentration and blood dilution number on cell-free area ratio δ:
(A) 10 times diluted blood with various PEO concentrations (100, 200, 500, 1000, and 2000 ppm);
(B) various blood dilutions (1/2, 1/3, 1/5, and 1/10) at 500 ppm PEO concentration.

4.4. Blood Plasma Extraction and Haemoglobin Analysis

Figure 6 presents the focusing of blood cells and plasma separation at the bifurcation
outlets at 15 μL/min for several typical cases. As observed, at a moderate flow rate, either
increasing the PEO concentration or decreasing blood dilution results in wider cell layers.
Consequently, the collection of cell-free plasma from blood becomes less effective. Indeed,
in the present “best case scenario” (10 times dilution of blood in 500 ppm PEO), several
blood cells may still be observed at the two-sided outlets, likely due to a suboptimal flow
resistance ratio between the outlets; thus, opportunities that exist to optimise the outlets
should improve performance of plasma separation.
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Figure 6. Focusing of blood cells and plasma extraction at the bifurcation outlets: (A) 10 times diluted
blood with various PEO concentrations; (B) various blood dilutions with 200 ppm PEO concentration.

After determining the optimal viscoelastic focusing at 15 μL/min, the blood plasma
separation was conducted for diluted blood samples (1/10) with different PEO concentra-
tions and the collected plasma from the different outlets was examined. Figure 7 displays
the flow cytometric data for central and side outlets for increasing PEO concentration,
where gated regions identify RBCs populations and eBeads. Absolute cell counts (n) in the
RBCs region increased for samples collected from the side outlet for the blood sample with
PEO concentration ≥500 ppm.

Figure 7. Flow cytometric cell counts in central and side outlets of the microfluidic device for blood
samples suspended at 1:10 dilution of increasing concentrations of PEO; 100 (A), 200 (B), 500 (C),
1000 (D), and 2000 ppm (E). RBCs: red blood cells; FS: forward scatter; SS: side scatter.
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To determine an index of filtration efficiency for plasma extraction, absolute cell counts
in the side outlet were presented relative to total cell counts in the central channel for each
PEO concentration (Figure 8A). The filtration efficiency into the side channel decreased
at PEO concentrations ≥500 ppm (Figure 8A), which can be supported by the fact that
the total RBCs haemoglobin content in the side channel increased (Figure 8B). Although
total measured haemoglobin content increased at PEO concentrations of 500, 1000, and
2000 ppm, no substantial haemolysis (i.e., cell-free haemoglobin; <1%) was detected in the
outlet of any condition (Figure 8C), indicating that the microfluidic device does not rupture
RBCs in the process of viscoelastic focusing and plasma extraction. Based on the data of
filtration efficiency and haemolysis in Figure 8, the blood samples with PEO concentrations
of 100 and 200 ppm are optimal for blood plasma extraction.

Figure 8. Filtration efficiency as determined by comparative RBCs counts (A) and relative total
haemoglobin concentration (B) of the side outlet versus central outlet of the microfluidic device for
each PEO concentration. (C) Measured cell-free haemoglobin (i.e., haemolysis) at the central and
side outlets of the microfluidic device for each PEO concentration. (Hb): haemoglobin concentration.
Error bars represent standard error of the mean (n = 3).

While this study mainly focused on RBCs movement and blood plasma extraction
for haemoglobin detection, movement of other blood cells (WBCs and platelets) must also
be considered. Since particle size dictates cell centreline focusing or margination, WBCs
(which are generally larger than RBCs) should focus towards the centreline, and platelets
(which are smaller than RBCs) should have less alignment. Therefore, there are likely fewer
WBCs and more platelets in the separated plasma, evidenced by the flow cytometric data
in Figure 7. In our data collection, platelets were not qualitatively identified due to their
size; however, the spectrophotometric analyses for haemoglobin detection are not sensitive
to platelet concentration or the presence of WBCs [46].

The processing throughput of the proposed device is far less than standard centrifuga-
tion. However, many analytical methods only require small volumes of isolated plasma
(less than 30 μL; e.g., the Harboe spectrophotometric method for haemoglobin assessment).
While increasing the throughput of the device would not be required for future microfluidic
devices with embedded inline analytics, one potential solution for increasing throughput
would be to implement multiple parallel channels to amplify the output. The proposed
plasma extraction microfluidic technology in the present study is part of a staged theme
of works seeking to develop a fully-automated bedside point-of-care free-haemoglobin
quantification system. Given the developments towards inline analytics, we believe that the
relatively low throughput may not be a significant issue. The advantages of microfluidic
plasma extraction technology and potential integration with other functional units and
automation will likely increase clinical efficiency and reduce human intervention.

Finally, it is plausible that the current microfluidic device could be deployed to as-
certain blood phase separation for cell focusing and plasma isolation, with prospects to
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integrate inline plasma analytics at side outlets for development into a future stand-alone
device for blood analytics.

5. Conclusions

The current study investigated viscoelastic blood plasma extraction in a sheathless
serpentine microchannel. The influences of PEO solution concentration, blood dilution, and
flow rate on the cell focusing performance were tested. The experimental data demonstrated
that the cell focusing performance, in general, shows a biphasic trend (first increasing and
then decreasing) when flow rate increases, at least for the measured PEO concentrations
and blood dilutions used. Hence, the optimal cell focusing performance for each case was
determined with the flow rate ranging from 1 to 15 μL/min. Furthermore, the highest
cell focusing performance among all the cases was found to be approximately 0.58 with
200 ppm PEO concentration and 10 times diluted blood at 15 μL/min flow rate. Finally, the
haemocompatibility results showed that only <1% haemolysis was detected in the outlet
region of any condition, indicating that the microfluidic device does not rupture RBCs in
the process of viscoelastic focusing and plasma extraction.

Supplementary Materials: The following supporting information can be downloaded at: https:
//www.mdpi.com/article/10.3390/bios12020120/s1, Figure S1: (A) Blood viscosity at different PEO
concentrations. Blood dilution is 1/10. (B) Blood viscosity at different dilutions. PEO concentration is
500 ppm.
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Abstract: Exosomes (30–100 nm in diameter) are a group of cell-derived membrane vesicles, packaged
as valuable cargo with lipid, proteins, and genetic materials from their parent cells. With the
increasing interest in exosomes for diagnostic and therapeutic applications, the rapid isolation of
pure exosome populations has become a hot topic. In this paper, we propose modified microchannels
with aptamer in a microfluidics system for rapid and efficient isolation of exosomes by targeting
exosome-carrying CD63 and PTK 7. The capture efficiency in surface-modified channels reaches
around 107–108 particles/mL in 20 min, and purified exosomes with reliable size can be achieved.

Keywords: aptamer; exosome; isolation; CD63; PTK7; microfluidics

1. Introduction

Different cell types are capable of secreting extracellular vesicles in vitro [1]. Extra-
cellular vesicles (EVs) (30–1000 nm in diameter) are mixed populations of cell-derived
membrane structures. They more than just carry wastes, but play an important role in
transcellular communication [2,3]. According to biogenesis, or in other words, intracellular
origin, EVs have been sorted into two classes, exosomes and other EVs [4]. Exosomes gen-
erally refer to 30–100 nm EVs formed by the inward budding of the endosomal membrane
during maturation of multi-vesicular endosomes. Endosomes are generated by inward
budding from the plasma membrane, and they release exosomes through the fusion with
plasma membrane [5]. An exosome contains a specific composition of proteins, mRNA,
miRNA, and DNA that carries coding information to communicate between the exosome-
producing cell and the target cell, making them attractive candidates for circulating disease
biomarkers for clinical application [6,7]. Despite these promising attributes, a major source
of ongoing confusion is how to build solid methods for isolating exosomes from mixed EV
populations, since all EVs share a similar appearance, overlapping range of size, and often
common protein composition, making it difficult to make a clear distinction [8]. Fortunately,
however, exosomes bear specific surface molecules such as tetraspanins CD63 and protein
tyrosine kinase 7 (PTK7), which can be considered as genuine markers of interest [9]. CD63
is a kind of cell surface-associated membrane protein which is abundantly presented on the
exosome surface [10]. PTK7 is a transmembrane receptor that has been reported as present
on exosomes and plays an important role in cell-to-cell communication [11].

Reported exosome isolation techniques mainly include gold standard–differential
ultracentrifugation [12], sequential centrifugal ultrafiltration [13], immuno-beads, poly-
meric precipitation [14], and size-exclusion chromatography (SEC) [15], requiring dedicated
laboratory instruments and time-consuming operations which challenge the experimen-
tal convenience [16]. Successful isolation requires reliable characterization to prove it.
Transmission electron microscopy (TEM) and scanning electron microscopy (SEM) have
been well documented to observe the morphology of exosome. Nanoparticle tracking
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analysis (NTA) offers the additional ability to measure size distribution and concentration
of exosomes [17].

Microfluidics, with the advantage of being a portable, cheap alternative, is employed
as a platform in the isolation of exosomes. Generally, the strategies applied for the isolation
of exosomes in a microfluidics system include the immunoaffinity-based method, dynamic-
based method, and size-based methods [18]. In 2021, Yu et al. developed the ExoSD
microfluidic chip endowed with immunomagnetic capture beads to achieve exosomes iso-
lation [19]. In 2014, Kanwar et al. fabricated an ExoChip functionalized with antibodies to
isolate exosomes from serum samples [20]. In 2018, Smith et al. created nanoscale determin-
istic lateral displacement (DLD) arrays on microfluidic channel to achieve collection of EVs
without the further step of isolating exosomes [21]. In 2013, filtration-based microfluidics
fabricated by Wand et al. achieved the trapping of EVs on nanowire-on-micropillars [22].

Aptamer, a single-stranded DNA or RNA oligonucleotide with complex three-
dimensional shape, often contains 15–60 nucleotides. It is generated from a large random
sequence pool via in vitro selection based on its specific recognition for targeting molecules;
moreover, it can be tailored for a specific target. Chemical modification can enhance activity
or stability of aptamers [23,24]. Aptamers, also called chemical antibodies, are usually
compared with antibodies, since both molecules function as affinity reagents [25]. The
binding domain between the surface protein and oligonucleotide aptamers is electrostatic
attraction, hydrogen bond, and van der Waals force. Since the phosphate backbone of
DNA is negatively charged, it can contribute more oxygen atoms, in other words, more
electrons, when binding to positively charged amino acids, making specific adsorption
more stable. Aptamers provide great promise for isolating and detecting EVs in affinity
applications [26].

There is not much literature concerning microchannels modified with aptamer in mi-
crofluidic chips to achieve the purpose of separating exosomes. Aptamer related exosome
applications focus mainly on exosome detection [27–29]. Recently, studies have usually
applied aptamers to target EVs based on magnetic beads. These works are developed
from mature immunomagnetic magnetic beads’ (IMB) separation. Aptamers act as the
role of antibodies in IMB. In 2019, Zhang et al. developed DNA aptamer-based magnetic
isolation process for EV’s isolation. Cell culture medium or plasma is mixed with biotin
labelled CD63 aptamer and then separated using streptavidin modified magnetic beads.
NTA characterization of isolated EVs showed 1.4 × 107 particles/mL capture efficiency
in 90 min [30]. However, in aptamer-IMB there exists the problem of not eluting indepen-
dent EVs from beads. In 2020, Song et al. developed a magnetic bead-based exosome
immunoaffinity separation system by using CD63 targeting aptamer. NTA results showed
that this method captures 8.37 × 107 exosomes particles from 10 mL MDA-MB-231 cell
culture mediate in 60 min. The native state exosomes were eluted using NaCl elution [31].

In this paper, we present aptamer-affinity microfluidics to endow the isolation plat-
form with targeting capability. The chip, which is made from polydimethylsiloxane (PDMS)
and glass, implements exosomes isolation based on immobilized DNA-aptamers in mi-
crochannels. Two exosomes-carried biomarkers, CD63 and PTK7, which are ubiquitously
presented on most exosomes, serve as targets for specific capture by Apt-CD63 [32] and Apt-
PTK7 [9], respectively. These aptamers are immobilized via the biotin–avidin–desthiobiotin
link on a glass slab. The chip benefits from a combination of filtration-based apparatus and
aptamer-affinity based apparatus. The microfilter in the inlet achieves the ability of starting
from cell culture supernatant without previous treatment, since it in attempts to filtrate
cell debris, bacteria, or PDMS residues before aptamer-affinity reaction. The cell culture
supernatant sample is composed of large-sized impurities, such as cell debris and proteins,
and small-sized particles, such as exosomes and other EVs. The aim of the aptamer-based
apparatus is to capture exosomes from mixed EVs populations. According to reviews,
exosomes contain CD63 and PTK7 distinct from other EVs, such that we chose these two
surface biomarkers as aptamer targeting proteins and also chose them as ELISA proteins in
the following exosome characterization experiment.
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2. Materials and Methods

2.1. Cancer Cells Culture

The lung cancer cell lines A549 were obtained from the Shanghai cell bank of the
Chinese Academy of Science. The cells were cultured at 37 ◦C in a humidified atmosphere
of 5% CO2 in cell incubator (Thermo Fisher Scientific, Waltham, MA, USA). The cell culture
medium contains 90% RPMI Medium 1640 supplemented with 10% fetal bovine serum
(FBS) depleted of EVs and 1% penicillin-streptomycin (PS). The freezing medium contains
90% FBS and 10% dimethylsulfoxide (DMSO). Phosphate buffered saline (PBS), FBS, PS, and
0.25%Trypsin-EDTA, RPMI Medium 1640 were purchased from Thermo Fisher Scientific,
Waltham, MA, USA. For repeated experiments using the same batch of the cell lines, the
slow-freezing and rapid-thawing method was utilized. When the cells reach 80% to 90%
coverage, passaging should be operated. Passage 6–8 cell culture supernatant was prepared
for experiments.

2.2. Working Principle and Fabrication Processes of the Aptamer-Based Microfluidics

Our aptamer-based microfluidic chip applies the principal of using the biotin–avidin–
desthiobiotin binding link to immobilize aptamer on the surface of the channel. DSPE–PEG–
Biotin are embedded in the PDMS prepolymer on glass slab by mixing with chloroform, as
reported by Huang et al. [33]. Aptamers modified with desthiobiotin, an analogue of biotin,
are immobilized by the lower binding affinity with avidin. Desthiobiotin instead of biotin
binds with avidin to facilitate easier release of aptamer-conjugated exosomes [34]. Figure 1A
displays fabrication steps of functionalized glass slab. A filtration-based apparatus is
conducted in order to hinder cell debris and PDMS residues to enter into the downstream.
The affinity-based apparatus possesses the ability for discrimination between the exosomes
of interest and other EVs in the fluids. Figures 1B and 1D show a photo of PDMS/glass
microfluidics and a schematic diagram, respectively. In order to reduce the flow resistance,
the microchannel is gradually widened from 100 μm to 1000 μm at the end. Figure 1C
shows a SEM image of microfilter in inlet, correspondingly labeled in Figure 1D. The gap
between micropillars is around 50 μm.

 
Figure 1. Aptamer-based exosomes isolation microfluidics. (A) Immobilization of aptamer onto
glass surface for EVs capture. (B) Prototype of PDMS/glass chip in comparison with a 1 yuan RMB
coin. (C) SEM image of micropillars in inlet. The scale bar is 500 μm. (D) Schematic diagram of
PDMS/glass microfluidics.

The chip was composed of PDMS top slab and glass bottom slab. The PDMS slab was
fabricated by soft lithography techniques. The layout of the channel structure was designed
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in AutoCAD (Autodesk Inc., San Rafael, CA, USA) and printed it on a film (Shenzhen
Qingyi Photomask, Shenzhen, China). The pattern on the film was transferred to a silicon
wafer with photoresist via lithography using UV-365 alignment (URE-2000/35, Institute
of Optics and Electronics, Chinese Academy of Science, Chengdu, China). We adopted
an ultrathick photoresist, SU8-2050 (Nippon Kayaku, Tokyo, Japan), and the depth was
100 μm. The silicon wafer with patterned photoresist was utilized as a master mold in
molding process. PDMS prepolymer and curing agent mixture (10:1 volume ratio) (Sylgard
184 reagent, Dow Corning, Midland, MI, USA) was poured into master mold and cured in
an oven at 80 ◦C for 1 h. The elastic PDMS slab was obtained by peeling. The bottom slab
was a functionalized cover glass. A 1 mL 5 mg/mL biotin-chloroform solution was added
to 3 g PDMS prepolymer and the curing agent mixture (10:1 volume ratio). The mixture
covered, as thinly as possible, over the entire glass via spin coating step. Otherwise, a
thicker layer would cause blocking during the subsequent bonding step. With the limitation
of experimental conditions, the maximum speed we used was 1800 rpm. The top slab of the
flow channel was then put on the mixture-coated cover glass before the latter was cured at
37 ◦C overnight.

DSPE–PEG–Biotin and Streptavidin modified green fluorescent polystyrene micro-
spheres (5 μm) were purchased from Xi’an ruixi Biological Technology, Shanghai, China.
Apt-CD63: 3′ Desthiobiotin-CAC CCC ACC TCG CTC CCG TGA CAC TAA TGC TA-5′ [32]
and Apt-PTK7: 3′ Desthiobiotin-TTT TTT TAT CTA ACT GCT GCG CCG CCG GGA AAA
TAC TGT ACG GTT AGA-5′ [9] were synthesized by Sangon Biotech, Shanghai, China with
reversed-phase HPLC purification. Streptavidin and biotinylated aptamer were introduced
into device one after another by connecting flow control kit (MFCS-EZ, Fluigent, Okabé,
France) from the inlet. After the channel surface was modified with aptamers, cell culture
supernatant was introduced into the device for 10 min incubation for exosomes isolation,
and captured exosomes were expected to be eluted into PBS washing buffer.

2.3. Exosomes Isolation

First, 4 mL A549 Cell culture supernatant was run and incubated through our device
for exosomes capture for approximately 10 min and discharged with a pressure pump.
Trapped lipid vesicles were recovered intact in 4 mL PBS buffer for 10 min. The whole
experiment setup is shown in Figure 2. By pumping nitrogen gas into the flow control kit,
a pressure-diven flow was created in microchannel. The flow velocity could be controlled
directly by manipulated gas pressure on software. For comparison, another 4 mL A549 Cell
culture supernatant was purified by using exoEasy Maxi Kit (Qiagen, Hilden, Germany)
and exosomes were eluted into 4 mL buffer.

 
Figure 2. The experiment setup.
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2.4. Exosomes Characterization
2.4.1. Morphological Characterization of Chip-Isolated Exosomes

For TEM analysis, 10 μL exosomes/PBS solution were fixed with 10 μL 2% Paraformalde-
hyde (PFA) (Dalian Meilun Biological Technology, Dalian, China) on a formvar–carbon
coated EM grid (Beijing XXBR Technology, Beijing, China) for 30 min at room temper-
ature [35]. The grid was floated on a drop of 2% Phosphotungstic acid hydrate (PAH)
(Shenzhen Ziker Biological Technology, Shenzhen, China) three times for several seconds
and used a filter paper strip to absorb excess liquid. After washing twice with PBS, the
fixed exosomes were dehydrated with a descending sequence of ethanol (40%, 60%, 80%,
96–98%) [36]. Exosomes were observed under low beam energies as 1.5 kV at 1 mA by
using TEM (Tecnai G2 F30).

For AFM analysis, 10μL exosomes/PBS were fixed with 10 μL 2% PFA on a freshly
cleaved mica sheet for 30 min. After washing with PBS, a filter paper strip was used to
absorb excess liquid from the edge of the mica sheet [37]. The sample was tested under Peak
Force Modulation at a scan rate of 0.9 Hz, and the vibration amplitude of the oscillating
cantilever was 300 kHz by using AFM (Bruker Dimension Icon).

2.4.2. Size Distribution and Concentration Characterization of Isolated Exosomes

The concentration and size distribution of particles in exosomes collected solutions
were analyzed by using NanoSight NS300 (Malvern Instruments, Malvern, UK) equipped
with video capture and particle-tracking software via measuring the rate of Brownian
motion of particles.

2.4.3. Exosomes-Carried Proteins CD63 and PTK7 ELISA Characterization of Isolated
Exosomes

100 μL conjugate reagent was added to each exosome sample and then incubated at
37 ◦C for 1 h. The exosome sample contains 10 μL exosomes recovery and 40 μL sample
dilution, which means that the sample’s final dilution factor is five-fold. After clearing, the
samples were incubated with chromogen solution at 37 ◦C for 15 min and, subsequently,
absorbance was read spectrophotometrically at a wavelength of 450 nm. Human Cluster of
differentiation (CD63; TSPAN30) ELISA Kit and Human Protein Tyrosine Kinase 7(PTK7)
ELISA Kit were purchased from China Jiangsu Meibiao Biotechnology, Yancheng, China.

3. Results and Discussion

3.1. Morphological Characterization of Chip-Isolated Exosomes

Intuitive characterization of exosomes relies on microscopy techniques with high
resolution. Chip-isolated exosomes are observed under TEM and AFM after specialized
staining protocols. In Figure 3, microscopic morphological diagnosis demonstrates exo-
somes captured by chip show intact cupped-croissant morphology in 100–200 nm that are
consistent with those previously reported [36,37]. We did not use biological sample-specific
probes, so the edges of exosomes are not smooth, which is due to the limited experimental
conditions (Figure 3B). Although this AFM image is not particularly ideal, it is still mean-
ingful because it provides further evidence that the exosomes are cup-shaped. Since the
AFM image of exosomes captured by using exoEasy Maxi Kit has not been successfully
obtained, it failed to be compared with the morphology of exosomes isolated from two
methods here.
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Figure 3. TEM and AFM imaging of exosomes isolated by aptamer-based microfluidics. (A) TEM
image of EVs isolated by microfluidics presents a distorted cup-shaped morphology and uniform
unimodal size distribution following 200 nm filtration. (B) AFM image EVs isolated by microfluidics
presents a distorted cup-shaped morphology.

3.2. Concentration and Size Distribution Characterization of Isolated Exosomes

TEM and AFM can illustrate the morphological appearance of single exosome particle
clearly. However, according to the limited field of view, we cannot acquire the size distribu-
tion of exosome populations by enumerating all the TEM pictures. Thus, to demonstrate
the ability and efficiency of our aptamer-based microfluidics for isolation of exosomes,
we used cell culture media of different passages as a single source of a specific exosome
population. Passage 6–8 cell culture supernatant was prepared for NTA characterization.
Isolated exosomes using exoEasy Maxi Kit served as a reference for verifying the perfor-
mance of our device. The NTA results are illustrated in Figure 4. There are six samples
in Figure 4, and the number “6” in Figure 4A,B represents NTA results of kit and our
chip by using passage 6 cell culture supernatant, respectively. By the analogy, “kit-7” and
“chip-7” means NTA result of kit and our chip by using passage 7 cell culture supernatant,
respectively, and the same is true for “kit-8” and “chip-8” in Figure 4. Each sample was
run three times and the standard error is calculated by the following formula: Standard
error = STDEV.S/ SQRT (3). The particle population from NTA shows that enrichment of
exosomes by using the kit and our chip is almost identical. It should be noted that chips’
peaks show a smaller mean diameter compared to those of the kit under the circumstance
of the same passage of cell culture supernatant. This indicates that exosomes isolated by
using aptamer-based microfluidics are closer to the theoretical size range of exosomes,
since many reviews have reported that exosomes bear smaller diameters (30–100 nm) than
other EVs (100–1000 nm), which was pointed out in the introduction section. Exosomes
isolated by using our chip show smaller size than those from the exoEasy Maxi Kit, so
our aptamer-affinity microfluidics indeed can isolate reliable exosomes compared with the
exoEasy Maxi Kit, while kit-isolated exosomes are mixed with other larger EVs.
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Figure 4. NTA of exosomes by using aptamer-based microfluidics and exoEasy Maxi Kit. (A) Aver-
aged concentration/size distribution of exosomes collected from cell culture supernatant (passage-6)
by using exoEasy Maxi Kit. (B) Averaged concentration/size distribution of exosomes collected from
cell culture supernatant (passage-6) by using our device. Error bars indicated +/− standard error
of the mean. (C,D) are the data graphs from cell culture supernatant (passage-7). (E,F) are the data
graphs from cell culture supernatant (passage-8).

Combining the results of morphology and size distribution, we confirmed that our
aptamer-based chip can conduct a better approach to isolate exosomes with ideal size
distribution and perfect shape. Integrated results show the capture efficiency of around
108–109 particles/mL in 20 min by using exoEasy Maxi Kit. Our procedure is satisfactory
with regard to capture efficiency of 107–108 particles/mL in 20 min (Figure 4). We estimated
the times of each experiment were both around 20 min.
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3.3. Exosomes-Carried Proteins CD63 and PTK7 ELISA Characterization of Isolated Exosomes

Additionally, to fully demonstrate the target-specific capturing of our aptamer-based
microfluidic chip, quantitative enzyme-linked immunosorbent assay (ELISA) for exosome-
carried marker CD63 and PTK7 was adopted. Considering that exosomes contain CD63
and PTK7 distinct from other EVs, they were chosen to quantitatively confirm how many
particles recovered were true exosomes. We have mentioned above that these two proteins
are also our aptamer targeting proteins. According to the ELISA kit use instruction, the
standard density is used as the horizontal and the O.D value for the vertical. Linear
regression analysis shows the positive correlation between O.D value and standard CD63
concentration, with intercept value ranging in 0.173 ± 0.078 and slope value ranging in
0.375 ± 0.027 (Figure S1A). There is a positive correlation between O.D value and standard
PTK7 concentration, with intercept value ranging in 0.103 ± 0.022 and slope value ranging
in 0.218 ± 0.005 (Figure S1B). Thus, the concentration of CD63 and PTK7 in the previously
mentioned six samples can be determined by comparing the O.D value of the samples to
the standard curve, respectively (Table S1).

In Table 1, we found that each exosome’s recovery by using our aptamer-based
microfluidics has a higher concentration of CD63 and PTK7 compared with its counterpart
(kit-sample). The concentration difference is greater than 1 pg/mL. The comparison results
are reliable due to the limit of detection being less than 0.1 pg/mL. The higher protein
concentration, the more determinate exosomes in the chip recovery sample, because these
two proteins are carried on the exosome’s surface. The exoEasy Maxi kit claimed to
adopt chromatographic spin columns for purifying exosomes and other EVs, which seems
unreliable for a purification of exosomes [38]. Although the kit has a superior EVs yield
(108–109 particles/mL) to our chip (107–108 particles/mL), our device endows properties of
targeting and specificity that will allow one to enrich more exosomes from a complex EVs
population. Further work is necessary to understand the mechanism by which our device
endows properties of targeting and specificity to enrich more exosomes from complex
EVs population. Table 1 summaries particle populations of “kit-6” and “kit-8” is an order
of magnitude higher than those data coming from “chip-6”and “chip-8”, respectively.
Nevertheless, chip samples contain more exosomes of interest even when counted by
relatively moderate particles. These imply that aptamer has a great potential in affinity
application, such as capturing pollutant organic macromolecules, and not only in its
use for targeting specific exosomes. Unfortunately, it should be pointed out that we
cannot determine that only exosomes are present in chip recovery, because other EVs may
also contain CD63 or PTK7, since the endosomes (the origin of exosomes) and EVs are
both budding from the plasma membrane. CD 63 and PTK7 are highly enriched on the
plasma membrane.

Table 1. Protein concentration of EVs recovery.

Sample Kit-6 Chip-6 Kit-7 Chip-7 Kit-8 Chip-8

CD63

O.D value
(dilution 5-fold) 0.5106 0.581 0.5107 0.5316 0.5025 0.5839

CD63 concentration
(pg/mL) 80.39 93.48 80.41 84.29 78.88 94.01

PTK7

O.D value
(dilution 5-fold) 0.541 0.548 0.518 0.561 0.568 0.587

PTK7 concentration
(pg/mL) 10.032 10.19 9.51 10.49 10.65 11.09

Particles/mL 4.3 × 108 4.3 × 107 2.5 × 108 3.4 × 108 2.1 × 109 1.8 × 108
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In summary, via aptamer-based microfluidics combined with microfilter apparatuses
in our chip, we isolated intact exosomes from A549 cell culture supernatant, displaying not
only high capture efficiency but also convenient operation. Our chip is satisfactory, with a
capture efficiency of 107–108 particles/mL in 20 min compared with that of 108–109 parti-
cles/mL in 20 min by using a commercial kit. The cell culture supernatant rapidly contacts
with aptamer modified in microchannels as it flows through, which greatly reduces the time
by replacing the method of mixing cell culture supernatant with aptamer–IMB. The time is
shortened without affecting the performance of aptamer, because this exosome’s isolation is
based on the microfluidics. Furthermore, before supernatants enter into the aptamer-based
apparatus, the microfilter apparatus in our chip can filtrate impurities such as cell debris.
However, when we use the exoEasy Maxi Kit, supernatants require extra operations to
filter particles larger than 0.8 μm by using syringe filters. Importantly, the aptamer-based
apparatus has the ability to capture exosomes from mixed EVs populations. In theory,
exosomes show smaller diameters (30–100 nm) than other EVs (100–1000 nm). According
to NTA, exosomes isolated by using our chip are closer to the theoretical size of exosomes
than those from the exoEasy Maxi Kit. Therefore, our aptamer-affinity microfluidics can
indeed isolate reliable exosomes compared with the exoEasy Maxi Kit, while there are other
larger EVs mixed in with the kit recoveries. The results of ELISA showed that CD63 and
PTK7 carried by exosomes are more abundant in chip recoveries, which further confirmed
that the exosomes isolated by our aptamer-based microfluidics are more authentic.

4. Conclusions

Purifying the exosome populations from other EVs or other interferences from bio-
logical samples is still an open problem. In this paper, we proposed an aptamer-based
microfluidics for exosome isolation, which possesses the advantages of being easy-to-use,
high efficiency, and target specific. We have demonstrated the capture ability of exosomes
in such aptamer-affinity based microfluidic chips from cell culture supernatants as high as
107–108 particles/mL with reliable size. In this way, our chip combining an aptamer-based
apparatus with a filtration-based apparatus achieves the ability of starting from cell culture
supernatant without pre-treatment, potentiating a convenient experiment. The specific
aptamer targeting exosome-carried proteins CD63 and PTK7 achieved reliable exosomes
isolation. It should be pointed out that we cannot qualify how many aptamers are modified
on the microchannel, which is something we need to improve. We simply employed ap-
tamers combined with the microfluidics platform, demonstrating that the aptamer has great
potential to specifically capture exosomes. Furthermore, such microfluidics immobilized
with aptamers can be customized to different targeted sets of the user’s requirements,
which will contribute to the development of enriching particles for clinical diagnosis or
drug delivery in the future.
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Abstract: Extracellular vesicles (EVs) are double-layered lipid membrane vesicles released by cells.
Currently, EVs are attracting a lot of attention in the biological and medical fields due to their role
as natural carriers of proteins, lipids, and nucleic acids. Thus, they can transport useful genomic
information from their parental cell through body fluids, promoting cell-to-cell communication even
between different organs. Due to their functionality as cargo carriers and their protein expression,
they can play an important role as possible diagnostic and prognostic biomarkers in various types of
diseases, e.g., cancers, neurodegenerative, and autoimmune diseases. Today, given the invaluable
importance of EVs, there are some pivotal challenges to overcome in terms of their isolation. Con-
ventional methods have some limitations: they are influenced by the starting sample, might present
low throughput and low purity, and sometimes a lack of reproducibility, being operator dependent.
During the past few years, several microfluidic approaches have been proposed to address these
issues. In this review, we summarize the most important microfluidic-based devices for EV isolation,
highlighting their advantages and disadvantages compared to existing technology, as well as the
current state of the art from the perspective of the use of these devices in clinical applications.

Keywords: extracellular vesicles; microfluidics; purification; liquid biopsy; microfabrication; clinics

1. Introduction

Discoveries in genomics are leading to important outcomes in medicine, improving
knowledge of many diseases and leading to the concept of “precision medicine”, which is
defined as the tailoring of medical treatment to individual characteristics [1]. For example,
after a cancer diagnosis, the first approach is often a surgical biopsy to identify the type
of tumor by specific marker expression or by genomic analysis [2]. Unfortunately, the
latter is an invasive and time-consuming procedure, may not be representative of the entire
tumor, and may cause cancer seeding [3]. To face these issues, much attention has been
paid to a less invasive procedure called liquid biopsy: body fluids (e.g., blood, urine, saliva)
are screened for tracers released by cancer tissues, which can provide more rapid and
complete information about the original tumor (e.g., type, stage, progression, etc.) and
could be used as prognostic and/or diagnostic tools [4]. The most well-known tracers
are circulating tumor cells (CTCs) and circulating tumor DNA (ctDNA). The first are cells
that are spontaneously released from the cancer tissue and travel in the patient’s blood [5].
Similarly, ctDNA are nucleic acid fragments presenting specific tumor mutations that are
released from cancer cells and travel in body fluids [6].

Another type of tracer that has been discovered in recent decades as potentially useful
for liquid biopsy are extracellular vesicles (EVs) [7]. These are double-layered phospholipid
membrane structures, released by most cell types, which travel in body fluids carrying
various biological molecules of the parental cell (i.e., proteins, lipids, and nucleic acids).
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The biogenesis of EVs is mainly related to two pathways: (i) the direct outward budding
of the cell membrane and ii) the inward budding of multivesicular bodies that fuse with
the cell surface to then be released. In the former case, EVs are known as ectosomes (or
microvesicles (MVs), or microparticles), with a size of 100 nm to 1000 nm, and in the
latter case, they are known as small extracellular vesicles (sEVs) or exosomes, with a size
ranging between 30 and 200 nm [8,9]. Although initially considered cell debris or cell waste,
it is now recognized that EVs play a role in cell-to-cell communication, acting as cargo
ships between cells by transporting genetic information [10], and therefore participating
in a variety of physiological and pathological processes [11]. Therefore, EVs are perfectly
suitable for liquid biopsy and are now considered promising diagnostic, predictive, and
prognostic biomarkers for many types of diseases. In fact, unlike CTC and cDNA, EVs can
provide a variety of information, e.g., either on cardiovascular [12], autoimmune [13], and
neurodegenerative [14] diseases, or on various types of cancer [15].

Today, given the invaluable importance of EVs for liquid biopsy, there are some key
challenges to overcome regarding their isolation [16]. The current most frequently used
approaches, described in Section 2, are based on differential ultracentrifugation (DU),
size-exclusion chromatography (SEC), density-gradient separation (DGS), filtration, and
immunoaffinity strategies. Additionally, EVs can be collected from various fluids (e.g., cell
culture, blood, urine, etc.); thus, the same isolation strategy may present different efficien-
cies depending on the starting sample [17]. Finally, most of the methods require at least
several hours for EV isolation, and thus more rapid isolation protocols are also demanding.

Microfluidic devices have recently been proposed for addressing these issues, as
demonstrated by the increasing number of published papers that have appeared over
the past ten years on this topic. Figure 1 compares the publications per year obtained
using the terms extracellular vesicles (or exosomes) (Figure 1a) and together with microfluidics
(Figure 1b) as keywords. Both trends are similarly increasing; however, the ratio between
the two numbers (Figure 1b, inset) reports how microfluidics has gained slightly more
visibility during the last five years. Notably, considering the low number of articles per year
in the microfluidic case, this trend must be monitored in the near future. Microfluidics is
commonly defined as the science and technology of systems that manipulate small amounts
of fluids (pL and nL ranges), using channels with dimensions that typically range from tens
to hundreds of microns [18]. This leads to several advantages, including the development
of a portable system for point-of-care analysis, the reduction in sample and reagent volume,
down to a million times more than conventional approaches, and the ability to perform
parallelized assays that can drastically increase analysis throughput [19]. Given these
benefits, it is clear that microfluidics can contribute to simplifying and speeding up the EV
isolation process from biofluids, representing a good alternative to conventional protocols.
Additionally, microfluidic devices can also be exploited for EV analysis and detection,
being embedded within the same microfluidic system or based on other instruments (e.g.,
a fluorescence microscope). In the latter case, microfluidic devices can be seen as passive
tools for EV storage.

In this review, we aim to address the most relevant microfluidic systems devoted to EV
isolation, underlining both advantages and disadvantages compared to the conventional
existing methods. After reviewing the most common isolation methods, microfluidic
approaches are discussed, with particular emphasis on those that seem more promising
for future clinical applications. In this context, EVs must be isolated by a microfluidic
device and ready for further analysis (see the workflow in Figure 2). Given the variety
of microfluidic devices in terms of microfabrication and functionality, they are divided
into two main categories: physical and chemical approaches. Whereas the former can be
distinguished in active and passive methods, the latter are mainly based on immunocapture
on fixed and non-fixed (beads) substrates. In addition, a quantitative analysis of the
diffusion of the various microfluidic methods, as well as their capabilities of being used in
real clinical studies, is presented. A short description of EV detection methods based on
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microfluidics is also introduced; however, for a deeper understanding, a dedicated review
can already be found in the literature [20].

Figure 1. Number of publications per year that contain the keywords: extracellular vesicles (or exosomes)
(a) and extracellular vesicles (or exosomes) and microfluidics (b). An inset with the ratio between these
two numbers is also reported. (Source: Web of Science database, excluding review, meeting abstract,
and retracted papers).

Figure 2. Possible workflow of tumor diagnosis using the microfluidic EV isolation strategy, from
sample collection by liquid biopsy to analysis. The elements of the figure are created by BioRender.com.

Importantly, in recent years, different terminology has been used in the literature to
classify EVs based on their size or function, since their biogenesis was not easily assessed;
however, in 2018, the International Society for Extracellular Vesicles (ISEV) indicated using
the word Extracellular Vesicle (or EV) as a broad generic term that includes all subtypes
of vesicles to avoid confusion in the literature. This recommendation is followed in this
review, using the term small extracellular vesicles (sEVs) when the cited articles refer to
exosomes or EVs smaller than <200 nm [9].

2. Conventional EV Isolation Strategies

Conventional methods for the isolation and purification of extracellular vesicles can be
classified into methods based on the morphological properties (i.e., size, density) and based
on their interaction with specific components (solubility, protein reaction). The preferential
strategy must be chosen as a function of the initial sample (e.g., cell culture, blood, urine)
and the scope of the analysis (e.g., quantity evaluation, diagnosis of specific diseases) [9].
In the following paragraphs, conventional methods will be briefly introduced, reporting
their working principle and focusing on their advantages and disadvantages in terms of
EV purification. More details on these methods can be found in a specific review [17].
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2.1. Differential Ultracentrifugation and Density Gradient Ultracentrifugation

Differential ultracentrifugation (DU) was the first approach used for EV isolation. In
general, centrifugation is a label-free method that allows accelerating the natural sedimen-
tation rate of suspended objects that are denser than the surrounding medium [21]. In the
case of EV isolation, protocols are typically based on increasing the centrifugal force to pro-
gressively remove first cell debris (approximately 1500× g), then large EVs (between 10,000
and 20,000× g), and finally, to collect small EVs (100,000–200,000× g) appearing as a small
pellet at the bottom of the centrifugal tube [21]. The limitations of this method are related
to the need for expensive equipment (i.e., an ultracentrifuge) and the variable recovery rate
(between 5 and 80%), which can often be operator related, preventing comparisons between
different studies. In addition, isolated objects are pelleted according to their density, and
thus collected materials also contain protein complexes and non-EV nanoparticles (e.g.,
apoptotic bodies, viruses), leading to an incomplete separation [22]. Additionally, EVs may
also cauterize together due to strong centrifugal force. Many different DU protocols can be
found in the literature that may puzzle those who are in the research field for the first time.
Despite these issues, probably due to its simplicity and recovery rates that can be rather
high, DU remains the most widely used approach in research laboratories and is typically
combined with other filtration-based EV isolation methods.

Density gradient ultracentrifugation (DGU) is a variation of DU that consists of the
addition of specific components (e.g., sucrose) within the suspending medium in order to
match the EV density, while allowing the other components to precipitate [23]. Although
DGU allows for gaining higher EV purity than DU, some limitations are also reported:
the process is time consuming, and molecules with similar EV density (e.g., high-density
lipoproteins) can be co-isolated.

2.2. Filtration Methods (Ultrafiltration and Size-Exclusion Chromatography)

Filtration methods are based on the use of a porous membrane to filter objects larger
than the porous size [24]. Since EVs typically have sub-micrometric size, membranes with
pore sizes between 0.001 μm and 0.01 μm are used combined with ultracentrifugation, in
the so-called ultrafiltration (UF) technique; UF allows for faster protocols and better sample
quality than DU in terms of purity from protein co-isolation. However, the recovery yield
can be biased by the pore size [25].

A highly used filtration-based technique for EV isolation is size exclusion chromatog-
raphy (SEC), consisting of the elution of EVs in a column composed of packed porous
polymeric beads [26,27]. This simple strategy allows for isolating intact EVs from various
biological fluids, preserving their biophysical properties, sharp-peaked distribution in size,
and high functionality. Thus, among isolation strategies based on the physical properties of
EVs, in particular their size, SEC is considered the least invasive in terms of EV integrity [28].
On the other hand, an important disadvantage is the low recovery rate: SEC can be applied
to concentrate EV fluids (such as plasma), but in the case of low initial EV concentration
(e.g., cell culture media), a pre-concentration step by UF is required. Despite the similarity
to microfluidic technologies based on separation by size through pores, SEC relies on the
passive motion of particles in a stationary phase, and it is highly time-consuming. Impor-
tantly, SEC can also co-isolate other components, such as viruses, protein aggregates, large
proteins, and low-density lipoproteins; however, these contaminations are typically less
compared to other EV-isolation methods. Today, several commercially available SEC kits
can be found specifically designed for EV isolation, depending on the volume and quality
of the input sample [29]. It should also be noted that recent studies are trying to improve
the capabilities of a standard SEC column, for example, by using a bead size gradient as
in particle purification liquid chromatography (PPLC) [30,31]. In any case, despite the
good purity of the final sample, SEC requires high costs for disposable filtering columns, in
addition to long isolation times.
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2.3. Precipitation and Immunoaffinity Methods

Physical–chemical interactions between EVs and solid support are also exploited for
their isolation. These approaches are based on EV precipitation [32], adjusting their solu-
bility by chemical compounds, and immunochemistry reactions that exploit the protein
present on their surface [33]. EV precipitation can be achieved by properly adjusting the
concentration of specific polymers within the starting sample, leading to very simple proto-
cols (e.g., ExoQuick® [34]). However, the final samples are contaminated by the polymer
used, which may compromise the downstream analysis. In contrast, immunochemistry
reactions are based on the chemical binding between proteins on the EV membrane and
specific antibodies, typically grafted onto surfaces or beads. In more detail, some specific
tetraspanin molecules are present on most EV membranes (e.g., CD63, CD81, CD9, and
others) and are typically used for this purpose [35]. It is noteworthy that the same approach
can be applied to isolate a subpopulation of EVs that presents specific membrane proteins
associated with a specific EV subtype. The advantages of this approach are its simplicity, the
fact that it does not require specific training by the user, and its reproducibility. However, to
avoid nonspecific interaction, pre-purification steps are typically required (e.g., differential
ultracentrifugation). In addition, isolation kits for specific immunocapturing are usually
costly. Another drawback is intrinsic in the approach itself: by selecting the EVs from their
surface markers, a subpopulation is always collected, and this could eventually bias the
downstream analysis. For this reason, it is preferable to use multimarker antibody cocktails
to recover vesicles characterized by different antigens or secreted from heterogeneous
cells [36,37].

2.4. Comments

In summary, it is clear that all the conventional approaches listed above have both
advantages and disadvantages, as highlighted in Table 1, and the choice between them
must be made according to the scope of the study. However, it is important to note that
although the chosen approach is the same, the specific parameters for the isolation of EVs
are adapted differently from time to time in different laboratories, leading to a lack of
standardization and important inconveniencies in comparing the data. On the contrary,
microfluidic devices have the potential to overcome some issues, such as the need for
expensive facilities and consumables and large sample volumes, which are peculiar to
conventional isolation techniques.

Table 1. Summary of the comparison of conventional techniques for EV isolation, based on different
isolation strategies. Retention time, quality, and quantity of processed sample and protocol simplicity
are evaluated according to the following scale: (–) difficult/very bad, (-) non-trivial/mediocre,
(+) easy/good, (++) very easy/excellent.

Working Principle Retention Time
Output Sample

(Quality and Quantity)
Simplicity

Differential ultracentrifugation particle size - - ++

Density gradient
ultracentrifugation particle density – – ++

Ultrafiltration particle size – - +

Size-exclusion
chromatography particle size – - +

Field-flow fractionation particle size - + +

Precipitation-based particle–polymer
interaction - + +

Immunoaffinity-based antigen–antibody
binding - + +
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3. EV Isolation Methods Based on Microfluidic Devices

Microfluidics is typically applied to bioanalytical protocols by following two different
approaches: (i) the miniaturization of existing methods or (ii) the development of new
methods that cannot be performed without miniaturization. The first way allows for
automating processes while reducing starting volumes, sometimes leading to increased
throughput of the analysis and quality of the output sample. In contrast, the second
approach tackles the conventional limitations from a completely different angle, leading to
results that cannot be compared with existing large-scale methods.

Among the possible ways to classify microfluidic devices, they can be distinguished
between “physical” or “chemical” methods according to the nature of forces that regulate
the EV isolation process.

3.1. Physical Methods

Physical isolation methods are label-free and exploit physical properties to discrimi-
nate vesicles (i.e.,: size or density). They can respond to external physical forces or be based
on passive EV collection. In the following, physical approaches are divided into passive or
active methods, depending on the presence or absence of driving forces that trigger the
physical characteristics of the EVs or of the medium in which they are dispersed.

3.1.1. Passive Approaches

Passive separation methods are label-free isolation strategies that do not require exter-
nal forces or stimuli. They are intended to enrich EVs by filtering processes through mem-
branes integrated in microfluidic channels or by exploiting hydrodynamic flow properties.

Filtration. A simple method to separate EVs from the initial biological sample based
on size requires the use of filtration systems, such as a nanoporous membrane, that allow
the passage of vesicles having a dimension smaller than the pore size by exploiting pressure
provided by external syringe pumps or by pressure controllers. Inspired by UF and SEC,
microfluidic protocols have important advantages in terms of cost, required sample volume,
and automation. Filters such as polycarbonate track-etched membranes were integrated
within microfluidic devices during the fabrication process by the authors of [38–44]. In
this way, the final device is simple to use: it does not require labels or surface treatments,
allowing for the processing of very large sample volumes. Nevertheless, the production
of such devices can be very complicated because of the strong microfabrication skills
required, sometimes preventing mass production. As in the case of conventional filters,
these devices can be prone to clogging and are typically disposable; additionally, isolation
through filters lacks specificity, except for size. Liang et al. presented a prototyping
example, developing a polycarbonate-based double-filtration system to isolate vesicles
within a range of 30–200 nm starting from the urine of patients with bladder cancer [38].
An isolation chamber is devoted to collect EVs smaller than the pore size of 200 nm of the
first membrane, and particles smaller than 30 nm are trapped through a second filter in
a waste chamber (Figure 3a). This method allowed for the isolation of EVs from 8 mL of
the pre-centrifuged initial sample in approximately 3.5 h, using a flow rate of 40 μL/min.
Further multiple-step filters are arranged in the Exosome Total Isolation Chip (ExoTIC),
in which five membranes in a series (pores of 200, 100, 80, 50, and 30 nm) allow for a
strict differentiation in the size of vesicles from various types of samples, such as plasma,
urine, and lavage [39]. The starting samples have an upper volume limit that can range
from 20 mL for cell culture to 500 μL for plasma. Another device called Exodisc takes
advantage of centrifugal force with double-step filtering through membranes of different
pore sizes [44]. Woo et al. were able to isolate exosome from a 1 mL starting sample of
cell culture or urine in 30 min with high purity (95% yield). Sunkara et al. optimized the
same platform for processing whole blood, despite using smaller samples (30 μL) and
reaching lower recovery rates (exceeding 75%) [45]. Other types of filtering devices rely
on cross-flow (tangential-flow) processes, in which the feed flows across the surface of
the membrane that acts to concentrate EVs larger than the pore size (30–50 nm). These
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devices can pair the cross-flow strategy with conventional (dead-end) filtration [41,42] or
with other isolation techniques, such as immunoaffinity-based capture [43], to improve
purification efficiency (see also Section 3.2.1).

Figure 3. EV isolation methods based on passive approaches. (a) Double-membrane system to enrich
sEVs (exosomes) of sizes between 30 and 200 nm [38]; (b) silicon array of pillars placed inside the chip
to induce different zigzag pathways based on particle dimension [46]; (c) microfluidic device allowing
collection of extracellular vesicles from initial sample mediated by elastic force from viscoelastic fluid.

Inertial force. EV separation can also be performed by exploiting the inertial lift force
Fi that particles experience while flowing in a microchannel due to the Poiseuille flow
profile [47–49]. In fact, Fi acts to drive the particles orthogonally to the flow direction inside
the microchannel in a manner that strongly depends on particle dimension D (Fi ∝ D4).
Therefore, by properly tuning the channel size and flow rates, it is necessary to focus
the particles according to their size [50–55]. A particular configuration consists of spiral
channels that strongly favor the lateral migration of particles with different velocities
depending on size [56], as used by Tay et al. for rapid isolation from a whole blood sample
at 80 μL/min, despite reaching a poor recovery efficiency (20–60%) [57].

Deterministic lateral displacement (DLD). A different approach exploits inertial mi-
crofluidics and hydrodynamic interactions of particles with structured channels: particles
flowing in microchannels, other than the main force that drives them along the channel
itself, also experience lateral forces depending on their size. This effect can be combined
with specific and ordered patterns of pillars inside microfluidic channels (see Figure 3b),
leading to the so-called deterministic lateral displacement (DLD), which allows for the
generation of streamlines that the particles follow depending on the distance of centers λ
and the gap of the pillars G, as well as on the offset angle θ. Their separation can occur
whenever the particle size exceeds a critical diameter, which for circular pillars equals
DC = 1.4 Gtanθ0.48, which acts as a cut-off [58]. Specific details about the physical prin-
ciples of DLD are discussed in devoted articles [59]. DLD has been widely applied for
hydrodynamic cell separation depending on the cells’ size, and it has also recently been
applied to nanometric objects, such as EVs. For example, the pioneering work of Wunsch
et al. provided a sharp resolution of particles between 20 and 110 nm separated with a
silicon-based pillar array [60]. The production of these pillars, having gaps from 25 to
235 nm, required a sequence of complex micro- and nano-fabrication steps including pho-
tolithography followed by reactive-ion etching, then an electron beam process, and finally,
deep-UV lithography. Later, Smith et al. integrated 1024 arrays in parallel in another nan-
oDLD device (Figure 3b) to isolate EVs from serum and plasma, using a similar fabrication
approach [46]. This improved design allows for faster isolation processing (up to 900 μL/h),
despite an EV recovery of approximately 50%. Other devices, reporting pillar dimensions
and gaps of the order of microns, are instead replicated from silicon wafers produced by
standard photolithographic and etching techniques, allowing one to reach a high purity of
the final sample, but working at low throughput (of the order of μL/h) [61,62].

Viscoelastic force. Most bodily fluids (such as blood, saliva, semen, etc.) exhibit a
non-Newtonian behavior when flowing through channels [63]. This viscoelastic property
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can be leveraged to separate particles by size by driving a lateral migration owing to
the elastic lift forces, without external fields. Specifically, the trajectory of the particles is
regulated by the first normal stress difference (N1), inducing the lateral motion towards the
points of minimum shear rate, with relaxation time dependent on medium properties and
channel width [64–66]. The resulting elastic lift force Fe depends on the cube of the particle
size (Fe ∼ D3), and therefore, taking into account a device presenting several outlets
(see Figure 3c), larger particles migrate faster to the center line of the channel, whereas
smaller EVs are collected at the two sides [67–69]. Unlike DLD-based devices, particles
immersed in viscoelastic media can be focused simply by adjusting the rate and width of
microchannels, without requiring additional micro- or nanofabricated structures [67,68].
However, to enhance the elastic effect and guarantee good hydrodynamic focusing, specific
polymers can be added to the starting samples. As examples, Liu et al. (2017) added a
low concentration (0.1 wt%) of a biocompatible polymer to the cell culture medium or
serum sample, namely, poly(oxyethylene) (or PEO), to enhance these effects and better
control the separation of EVs, achieving high purity and recovery rates greater than 80%
and 90%, respectively [70]. Then, in 2019, a similar approach was used to simultaneously
separate particles by size and based on membrane protein EVs from breast cancer cell lines
and from serum, by using double-stranded λ-DNA molecules in TBE buffer to increase
the non-Newtonian effect [71]. In this case, the extracellular vesicles are subjected to the
centerline-directed elastic lift force Fe; additionally, larger microvesicles and apoptotic
bodies are repelled by the elastic force, competing with the and drag forces Fd (Fd ∝ D).
Asghari et al. exploited oscillatory flows to separate micrometer and sub-micrometer
constituents from HEK293T cell lines and was able to focus both λ-DNA strands and
vesicles in a sheathless flow [72]. For this purpose, a more complex setup is needed to
perform the EV separation, including a pressure-driven chip coupled with an electronic
device to actuate valves and generate controlled flow oscillations.

Flow fractionation methods. Another possible way to separate microparticles by size
by exploiting hydrodynamic forces is provided by asymmetric flow field-flow fractionation
(AF4) [73]. This method requires the implementation of thin microchannels (dozens of μm)
having one side made of a membrane that allows the generation of a flow perpendicular to
the main stream [74]. Thus, the injected sample under laminar flow conditions is subjected
to both the cross-flow field and Brownian diffusion. The accumulation of particles is
regulated by the competition of these two counteracting forces, which induce large particles
to move in proximity to the membrane, and the smaller particles are easily conveyed along
the stream. Typically applied for polymer and protein fractionation, AF4 has been used to
isolate EVs, being capable of separating two different subpopulations of vesicles by size
(60–80 nm and 90–120 nm) from several tumor cell lines [75]. Shin et al. employed a similar
fractionation approach, known as EV separation pinched-flow fractionation (PFF) [76], to
isolate EVs from apoptotic bodies [77]. Here, a sheath fluid is applied to achieve EVs by
focusing within the microchannel.

3.1.2. Active Approaches

Whenever physical forces are applied to fluids that contain suspended particles, they
can respond to the stimulus by changing their motion. Active separation exploits applied
fields, such as acoustic or electrical ones, without resorting to channel functionalization or
patterning, being label-free and contact-free.

Acoustofluidics. Acoustofluidic devices combine the ability of microfluidics to handle
small volumes in confined channels with the ability to trigger particle motion with acoustic
waves [78–80]. This label-free and contact-free method employs ultrasound waves to
induce differential forces on particles according to their size [81]. Particles can be trapped,
separated, focused, or transported by regulating the properties of acoustic waves, which can
propagate within the bulk material (bulk acoustic waves, BAWs) [82,83] or along the surface
of the medium (surface acoustic waves, SAWs) [84]. Importantly, to emit acoustic waves,
electrodes or piezoelectric substrates must be included into the microfluidic devices and
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properly engineered during their production. In the case of BAWs, the entire piezoelectric
material driven by an alternating current (AC) vibrates at the same frequency of the AC
signal (100 kHz–10 MHz). In contrast, SAWs are generated by applying an AC signal to
interdigitated transducers (IDTs) patterned on a piezoelectric material, which are excited at
higher frequencies than BAWs (up to GHz) (Figure 4a). In order to confine small particles
such as EVs, high frequency, of the order of dozens of MHz, is generally required, and thus
SAW-based devices are employed [85]. As an example, Lee et al. used a LiNbO3 wafer
to imprint interdigitated electrodes that can discriminate sEVs and larger microvesicles
from red blood cells according to their size; their cutoff value can be set by tuning the
acoustic power and flow velocity [86]. Although fabrication is somewhat complex due
to the presence of acoustic actuators, acoustofluidic devices can guarantee high isolation
efficiency [87–89]. Wu et al. developed a device based on SAWs consisting of two modules
to remove larger blood cells and debris, showing separation of EVs with an 82.4% recovery
rate and 98.4% purity using flow rates in the order of few μL/min [90]. Other SAW-based
platforms have been coupled with commercial acoustic transducers that lead to automated
processes [91–93], and others have been implemented together with modules devoted to
the detection of sEVs [94–96].

Figure 4. Examples of physical forces to separate vesicles within microfluidic chips. (a) Device
with interdigitated electrodes generating acoustic waves to separate EVs from the initial sample;
(b) differentiation of EVs through membranes mediated by electrophoretic (EP) forces.

Electrokinetic force. Electric fields applied to fluids allow for the manipulation of
polarizable particles, giving rise to a variety of electrokinetic phenomena: electrophore-
sis, dielectrophoresis, electroosmosis, etc. These effects provide forces whose magnitude
acting on the particles is strictly dependent on their dimension, the dielectric constant,
and the charge density of both particles and the surrounding medium. More precisely,
the electrophoretic effect (EP) works on monopoles, requiring high forces (FEP ∝ E) to
induce particle manipulation. Dielectrophoresis (DEP) instead allows for controlling the
trapping of particles by electric field gradients, to which the DEP force is proportional
(FDEP ∝ ∇|E|2) and thus depends on the electrode geometry, rather than the intensity
of electric pulses [97]. The latter method happens to be the most widely employed for
EV manipulation due to its simplicity with respect to the other electrokinetic phenom-
ena. Ibsen et al. used an alternate current electrokinetic microelectrode to concentrate
sEVs from plasma on the edge of the microelectrodes where high field gradients were
exerted to process relatively small aliquots (30–50 μL) in less than 30 min, including on-chip
fluorescent detection [98]. To improve isolation performance, a device based on dielec-
trophoretic interactions can be mediated by other types of substrates, such as polystyrene
microspheres [99], coupled with automated parts [100], or pneumatically driven compo-
nents [101]. The latter has been exploited by Davies et al. in a device that takes advantage
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of the electrophoretic interaction with a pressure-driven filtration stage of porous polymer
monolithic membranes (PPMs), which have variable size pores, to isolate vesicles from
240 μL of whole blood in two hours. In addition to DEP, other examples of electrokinetic
phenomena already exploited to trap and concentrate vesicles are electrophoresis [102,103]
or electro-osmosis [104,105]. For example, Cho et al. developed a device to enrich plasma
EVs by coupling a porous membrane with a dedicated electrode (Figure 4b), in order to
remove free proteins and debris subjected to electrophoretic migration through 30 nm
pores, with an efficiency of approximately 85% [106].

A recent work by Tayebi et al. combined both dielectrophoretic and acoustophoretic
forces to sort extracellular vesicles (<200 nm) and microvesicles (>300 nm) from cell cultures
that reached high levels of purity (95%) and recovery (81%) [107]. This kind of virtual DLD
(vDLD) permits tuning the balance of the two counteracting forces by adjusting properties
of the medium and channel sizes, given a fixed electrode geometry.

3.2. Chemical Methods

Unlike physical methods, approaches based on the chemical affinity between specific
antibodies and antigens allow for the recovery of vesicles in a more selective manner.
Immunoaffinity-based capture can occur on flat or patterned substrates, as well as on
micrometric solid beads or nanoparticles.

3.2.1. Immunocapture on Fix Support

The selective separation of EVs can be achieved by properly engineering the internal
microchannel surfaces by adding a specific antibody that can anchor a specific EV mem-
brane protein. The method provides an extremely good specificity and reproducibility and,
in the best cases, allows for processing of samples with very high throughput, even of tens
of μL/min.

The simplest strategy is to functionalize unstructured channels. However, by using a
straight channel with a typical lateral side of dozen to hundreds of μm and considering
the typical size of EVs, the binding area available for vesicle capture is relatively low,
causing a poor probability of contact. Moreover, the laminar flow prevents the correct
mixing of the solution containing EVs, limiting their accessibility to the molecules anchored
on the channel walls. This issue has been faced in two ways: i) improving mixing by
patterning channels with specific patterns and ii) including micro- and nanostructures
within the channel by creating a sort of filter through which the solution is forced to pass.
The first method is well known in the microfluidic community, having already been applied
to promote chemical reactions or for isolation purposes [108]. In contrast, the second
mimics standard filtration methods by integrating specificity, since these ‘filters’ are coated
to capture EVs showing the desired markers [109]. However, as for filtration methods,
this approach suffers from clogging and highly complex microfabrication protocols. To
increase the surface-to-volume ratio of channel walls, the inner surfaces of microfluidic
chips with micro- and nano- structures are also chemically functionalized with antibodies
to ensure the EV chemical affinity [110,111]. The most common microstructures are ordered
rows of pillars [112–114], herringbone patterns [108,111,115–118], and properly shaped
microposts [119,120]. Meanwhile, in the case of nanopatterning, nanorods, nanowires,
and more complex 3D structures [121] are typically used. In 2010, a pioneering work by
Chen et al. described a way in which to modify PDMS microfluidic channels presenting
herringbone grooves with specific surface treatment [122]. The authors flushed inside the
chip a solution of 3-mercaptopropyl trimethoxysilane and incubated it with Neutravidin
solution before functionalizing it with biotinylated anti-CD63 antibodies, allowing for the
isolation of vesicles from 400 μL of serum within one hour. In another work, Chen et al.
used an array of ZnO nanowires (Figure 5a) with interconnected macropores to expand
the trapping area [109]. The latter approach was validated with small EVs spiked in saline
solutions, showing a trapping rate of up to 30 μL/min, and then with both serum and
plasma, from which trapped vesicles were detected with horseradish peroxidase (HRP)-
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labeled antibody to allow for colorimetric sensing using 3,3′,5,5′-tetramethylbenzidine
(TMB). Zhang et al. developed a chip with graphene oxide/polydopamine (GO-PDA)
interfaces that provides specific EV absorption from human plasma [119]. The same group
then compared a herringbone pattern with solid structures with colloidal silica nanorods
(Figure 5b) that showed an improvement in the detection limit of plasma samples at
10 sEVs/μL [123]. Wang et al. fabricated a microfluidic chip structured with a 3D array
of ciliated silicon pillars for multiscale filtering of EV-like vesicles or liposomes, mixing
filtration properties and immunocapture [112]. Tests with prototyped 83 nm liposomes
revealed a retention rate of approximately 60% from a 30 μL of starting volume. This
arrangement has been optimized by Qi et al. to improve capture efficiency and preserve
EV integrity for drug delivery (Figure 5c) [113]. In this work, the retention rate of sEVs
from MDA-MB-231 (breast cancer) cell culture could be increased to 70%, mainly due to
the anti-CD63 functionalization of micropillars.

Figure 5. Immunoaffinity capture inside microfluidic devices. (a) ZnO nanowires fabricated inside
channels for the specific capture of CD63-positive sEVs, modified from [109]; (b) colloidal struc-
tures arranged in a herringbone configuration inside the microfluidic channel, modified from [123];
(c) ciliated silicon nanorods capable of discriminating sEVs from cell debris [113].

3.2.2. Immunocapture on Beads and Nanoparticles

Another strategy to chemically trap EVs requires the use of beads of a size between
0.5 and 20 μm functionalized with the target antibody. In fact, floating beads of micrometer
size present a larger surface area. Beads can be directly injected and mixed within the
initial sample, enhancing the EV contact probability, without introducing complicated
micro- or nano-structures into the microfluidic chip, which typically require costly fabri-
cation approaches and a highly trained operator. Therefore, this technique is one of the
most efficient in terms of specificity, but especially for higher recovery rates and analysis
sensitivity. On the other hand, the flow rates applied in the microchannel to transport
liquids cannot be too low, in order to prevent bead sedimentation, nor too high, to en-
sure good mixing between vesicles and EVs, even though some works tried to process
the sample at a throughput of up to approximately 9 mL/h [124]. There are different
possible beads that can vary in terms of material or size. The most commonly used are
micrometer-sized commercial immunomagnetic beads that have a paramagnetic core that
can be easily handled using external magnets [125–135]. Here, unlike in functionalized
channels for immunocapture, an external magnetic force must be applied to manipulate
particles and favor isolation. A key aspect in the choice and use of the floating substrate
for EV capture is that the time must be sufficient for the substrate to settle in the channel.
The sedimentation speed v for a single object dispersed in a viscous fluid can be calculated
by the Stokes law: v =

(
d2
(
ρd−ρf

)
g
)

/
(
18μf

)
, where d and ρd are the diameter and the

density of the object, ρf and μf are the density and the viscosity of the fluid, and g is the
gravity acceleration [136]. Thus, considering a polystyrene bead of 1 μm (ρ~1.05 g/cm3)

91



Biosensors 2023, 13, 50

and an EV of 200 nm (ρ~1.1 g/cm3) dispersed in water (μf~1 cP), it is possible to notice that
the first sediments are more than ten times faster than the second. This occurrence becomes
even more critical when using magnetic beads (ρ~1.8 g/cm3), as their sedimentation speed
is two orders of magnitude higher than for EVs. Therefore, the flow rates applied to the
liquid within the channel must be fast enough to prevent particle sedimentation, but slow
enough to ensure a sufficiently long incubation time for EV capture. Thus, the working
range of this type of device is limited.

A highly cited example is given by He et al., who used immunomagnetic beads coated
with specific antibodies (e.g., anti-EpCAM) to capture and lyse sEVs inside a unique device
to analyze the protein content by chemifluorescent ELISA [125]. Plasma samples of 30 μL
volume are processed in about 100 min. Zhao et al. fabricated a device called ExoSearch to
enrich sEVs from plasma and measure multiple marker fluorescent signals (Figure 6a) [126].

Figure 6. Functionalized beads or nanoparticles used for vesicle capture inside microfluidic devices.
(a) Immunomagnetic beads coated for the enrichment of vesicles from blood plasma inside ExoSearch
chips [126]; (b) streptavidin-coated polystyrene beads used as substrate to trap vesicles in herringbone
filters and redisperse them [137]; (c) microfluidic systems used to flow blood samples and isolate
vesicles by means of superparamagnetic nanoparticles (SPIONs), modified from [138].

In addition to magnetic beads, polystyrene beads (PS) can be used for the isolation
of EVs [80,99,124,137,139–141] using centrifugation and redispersion instead of magnetic
forces. One of the main drawbacks of immunocapturing with beads is the difficulty of
breaking the bond with antibodies, preventing EV damage. However, Tayebi et al. used
specifically coated PS beads to capture EVs from MCF-7 (a breast cancer cell line) in
constrictions along the microfluidic circuit with an aperture of 30 μm to trap a single bead,
by exploiting hydrodynamic resistance in channels having different shapes [140]. The
trapped EVs were then removed from the beads by rising with a low pH IgG elution buffer
(0.1 M glycine-HCl) for 1 min and then waiting 10 min for antibody–antigen dissociation.
Finally, neutralization is provided by a solution of pH 7.4 (1 M Tris-HCl). Despite a good
purity, this approach limits the amount of EV–bead complexes to the number of trapping
sites and the maximum flow rate (50 μL/min). Gwak et al., instead, promoted chaotic
stirring of coated PS beads inside horseshoe-shaped mixers, and the work [124], was
able to enrich plasma EVs using fish trap-shaped filters (Figure 6b) [137]. Then, using
the same elution buffer, different flow rates were tested: under the best conditions, the
whole isolation process for the 100 μL sample was completed in 5 min, showing a capture
efficiency greater than 97%.

Unlike micrometric beads that are typically larger in size than EVs, an alternative solid
substrate is represented by nanoparticles (NPs), which are on the order of a few nanometers,
either with magnetic properties (superparamagnetic or ferromagnetic) [134,138,142–147]
or simply functionalized with selective markers [148]. In particular, they have a similar or
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even smaller size than small EVs, so EVs can be used to capture a single EV on their surface,
rather than being encapsulated inside, as used in drug delivery [149]. Notably, these NPs
can be an active tool for the capture and manipulation of vesicles, rather than a passive
substrate. A pivotal work by Shao et al. showed a strategy for labeling and isolating blood
glioblastoma microvesicles, implementing properly functionalized magnetic nanoparticles
(core of 7 nm) and using a two-step protein targeting to maximize binding. This approach
allowed for better detection of CD63 + vesicles with a micronuclear magnetic resonance
(μNMR) system [142]. In another work, Ko et al. exploited magnetic NiFe nanopores
(600 nm diameter) to trap EVs labeled with 50 nm coated NPs, allowing for the processing
of serum and plasma with flow rates of up to 10 mL/h [144]. Recently, increasing attention
has also been paid to superparamagnetic iron oxide nanoparticles (SPIONs) to isolate EVs
due to the nanoparticles’ reversible magnetic property and easy manipulation, as exploited
by Kwon et al. for the purification of blood samples [138]. Here, SPIONs and EVs create a
complex cluster that can be isolated by exploiting the magnetic force applied by an external
magnet (Figure 6c).

In the following, Table 2 reports a summary of the main EV isolation methods exploit-
ing microfluidic strategies, distinguished between physical and chemical, together with
their working principle.

Table 2. Summary of relevant published articles dealing with EV isolation from different microfluidic
approaches.

Methods Working Principle

Physical:
Passive

Filtration [38–45,150,151] Micro-/nano- filtration process by porous
membranes inside chip

Deterministic lateral
displacement [46,60–62]

Particle distribution in size by lateral forces
conveyed by ordered array of posts

Inertial force [50–55,77]
Viscoelastic force [67–72]

Imbalance of inertial forces or of shear
forces in non-Newtonian viscoelastic fluid

Physical:
Active

Acoustofluidics [86–96,107] Acoustic trapping by ultrasound waves

Electrokinetic force
[98–107,152–154] Charge separation by electric fields

Chemical:
Fixed support

Functionalized fixed support
[108–122,130,155–180]

EV capture by specific antibodies on fixed
substrate

Chemical:
Floating Beads

Magnetic beads
[125–135,181–186]

EV capture by specific antibodies on beads
for magnetic manipulation

Polystyrene beads
[80,99,124,137,139–141,187]

EV capture by specific antibodies on
non-magnetic beads

Magnetic nanoparticles
[93,134,138,142–147,149,188]

EV capture or handling by specific
antibodies on magnetic nanoparticles

4. Discussion

4.1. Physical and Chemical Microfluidic Approaches: Pros and Cons

When microfluidic devices are designed to improve the purification and/or isolation
of specific analytes from complex starting samples, four main aspects must be considered
to balance advantages and disadvantages: throughput of the process, quantity and quality
of the output sample, automation capability, and complexity of the microfabrication. In
the following section, we discuss the above-presented approaches for EV isolation in
microfluidic devices, focusing on these four aspects. A schematic summary of the following
discussion is also reported in Table 3.
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Table 3. Summary of the comparison of different microfluidic techniques for EV isolation. Each
of the four aspects is evaluated according to the following scale: (–) difficult/very bad, (-) non-
trivial/mediocre, (+) easy/good, (++) very easy/excellent.

Throughput
Output Sample

(Quality and
Quantity)

Possible
Automation

Micro-
Fabrication
Simplicity

Physical:
Passive ++ - + -

Physical:
Active - + + -

Chemical:
Fixed support + ++ ++ +

Chemical:
Floating Beads + ++ – +

Physical approaches based on filtration, although based on principles similar to those
of UF and SEC, allow for the processing of large volumes at high throughput. In fact, mi-
crofluidic protocols can be easily automated with the support of external pumps controlled
by devoted software [189] to infuse biological samples at high rates throughout filters
inside channels. However, the realization of these microfilters represents a critical aspect:
as for their correspondent conventional methods, these devices are typically disposable,
because they are prone to clogging, and the processing time for complete isolation is quite
long compared to that of the other microfluidic techniques.

In contrast, physical approaches based on external stimuli, such as acoustic waves
or electric fields, are not directly comparable to existing methods. These contact-free
strategies prevent EV damage and preserve the EVs’ functional properties [86,106]. In fact,
the presented results show good vesicle integrity and a homogeneous size distribution,
especially in terms of the acoustic approach [90]. On the other hand, captured EVs have
a low purity, because other contaminants that have a similar size and/or density can be
isolated together. Then, as in the previous case, the microfabrication requires both an
appropriate environment (i.e., a clean room) and trained operators, since the electrodes
must be integrated inside microfluidic devices, and high alternate electric fields must
be applied and precisely controlled. The latter practice must be executed by equipped
laboratories, which include costly facilities, such as photolithographic platforms, metal
evaporators, electronic equipment, and related characterization instruments. However,
compared with microfluidic filtering methods, cleaning protocols can be considered in
the case of SAW or DEP devices, partially reducing the impact of the microfabrication.
Most of the aforementioned strategies based on separation by size can be biased by the
fact that other membrane-based components also have dimensions similar to those of EVs
(e.g., lipoproteins).

Then, approaches rooted in chemical affinity have been integrated within microfluidic
devices, with the aim of improving the anchor point by increasing the surface-to-volume
ratio, isolation throughput, sample quality output, and process automation [190]. Com-
pared to physical approaches, immunoaffinity provides a highly specific isolation that
allows for the distinction between the EV subpopulation [191] and the high purity of
the isolated sample. In the fixed support-based approach, molecules are coated on mi-
crochannel surfaces that typically present specific micro- and/or nanopatterns to improve
the liquid mixing (microstructures) and/or acting as filters (nanostructures). In contrast,
the use of micrometric beads as solid floating supports for EV capture allows for using
more simple channel geometries, since the beads themselves act as traps that improve the
surface-to-volume ratio. However, compared to other microfluidic approaches, the use of
micrometric beads leads to difficulties in terms of the complete automation of microfluidic
devices, since they are prone to sedimentation and can induce microchannel clogging [144].
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Another disadvantage of this approach is the high costs of purchasing commercially avail-
able microbead kits devoted to EV capture; therefore, custom and home-made protocols are
generally preferable [139]. A completely different perspective is provided using nanopar-
ticles. They present a size comparable to or even smaller than a single EV, leading to an
improvement in capture control and preventing damage to the EVs. Additionally, since
several characterization methods are now based on optical and spectroscopic techniques
(e.g.,: fluorescence microscopy, Raman spectroscopy), nanoparticles can be directly used
to improve the signal-to-noise ratio [188]. A possible drawback of the use of NPs is that
they require trained operators for their synthesis and, importantly, their stability is strongly
influenced by the surrounding buffer, which may affect the EVs as well. Therefore, strong
physical-chemical expertise is required to develop a working microfluidic device based on
NPs’ isolation.

In general, as summarized in Table 3, among the microfluidic approaches analyzed,
we considered devices based on the chemical affinity of the fixed support to be the most
promising, as they show good throughput and high-quality sample output, supported
by simple microfabrication and automation. In this sense, the use of beads requires more
precautions due to the possible sedimentation and clogging issues. In contrast, physical ap-
proaches suffer from complicated complex microfabrication requiring electrode integration,
which, at the current state of the art, is not sufficiently balanced by appropriate throughput
or sample quality.

4.2. Microfluidic Isolation Techniques: Which Is the Most Popular

To better appreciate how widespread these methods are, Figure 7 reports a statistical rep-
resentation of all the published articles on EV isolation performed by microfluidic devices.

Figure 7. Frequency of the published works from 2000 to present (source: Web of Science database,
excluding reviews, meeting abstracts, and retracted papers) related to each of the different isolation
techniques that exploit microfluidic devices. Physical approaches are subdivided into active (dark
green) and passive (green), whereas chemical immunocapture is separated by fixed supports (orange)
and floating beads (yellow).

The pie chart in Figure 7 highlights that the predominance of microfluidic methods
makes use of chemical immunocapture, which comprises two-thirds of the total output.
This is probably due to the fact that physical approaches leverage concepts similar to
conventional ones, such as DU, UF, or SEC, hence carrying similar drawbacks in their usage,
and automation has not yet been implemented in the presented proof-of-concept device.
Moreover, chemical affinity provides an easy implementation inside microfluidic devices,
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especially for flat channels that require a simple functionalization capable of binding to
membrane proteins, such as tetraspanins. Additionally, these methods generally perform
better than their physical counterparts, mainly in terms of throughput and recovery rate.
Among chemical isolation devices, those exploiting fixed substrates are the most commonly
used, probably due to the large amount of literature related to the functionalization of
microfluidic devices [192], the automatization capability, and the simple microfabrication,
despite the fact that the production of certain integrated nano-structures could lead to
some difficulties. In contrast, there is no preferred physical approach for EV purification:
passive devices are slightly more frequently used, despite the poor quality of final samples,
probably because the users do not need specific training to control SAW and DEP, and these
devices are more prone to miniaturization. However, these active approaches are relatively
newer with respect to their passive counterparts, and therefore, further development is
expected in the future to facilitate device production and handling.

4.3. Are Microfluidic Devices for EV Isolation Ready for Clinical Applications

Today, the clinicaltrials.gov database reports more than 350 trials (about 90 already
completed) indexed by the keywords exosomes and extracellular vesicles; among them, only
two, which have just started, involve microfluidic systems. The latter can be understood
considering the still young character of the EV research field. However, to better analyze
the current state of the art from a clinical perspective, we discuss the applicability of the
presented microfluidic devices in real diagnostic conditions. In detail, the microfluidic
devices devoted to purified and isolated EVs are validated using different starting samples
(i.e.,: culture media, blood-derived fluids, urine, etc.), and, in some experiments, EVs are
spiked in human fluids. Although we consider all these approaches to be fundamental
for the validation of novel technologies, they represent a first proof of concept compared
to real clinical assays, since EV isolation may depend on several factors, such as starting
samples and EV biogenesis. Therefore, we divided the presented papers based on their
validation methods, labeled as: (i) proof of concept, if they are limited to cell culture media or
spiked EVs in body fluids, and (ii) clinical sample, when they directly employ body fluids
for EV isolation (e.g., urine, plasma, serum, or whole blood). The result of this classification
is reported in Table 4 and Figure 8, together with the isolation approach used.

Figure 8. Frequency of published works from 2000 to present (source: Web of Science database,
excluding reviews, meeting abstracts, and retracted papers) involving EV isolation from starting
biofluids used as a proof of concept (cell culture media or EVs spiked in body fluids) or as clinical samples
(body fluids directly employed) from healthy donors or patients for research studies or diagnostic
purposes, further divided according to the isolation technique.
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Table 4. Summary of articles published during the years 2000–2022 dealing with EV isolation
from microfluidic devices processing samples for research purposes or clinical trials, according to
techniques classified in Table 2.

Proof of Concept Clinical Sample

Starting Sample % Starting Sample %

Physical:
Passive

Plasma [52,62]
Urine [44,60,95]

Cell culture
[41–43,50–52,54,55,61,68,71,72,

77,88,150,151,193,194]

12

Plasma [39,195]
Serum [43,46,71]

Blood [45,53,67,69]
Urine [38,39,44,46]

8

Physical:
Active

Plasma [98,102,103,106,152]
Serum [103]
Saliva [88]

Cell culture [86,89,91,98–
100,104,105,107,153,154]

12
Plasma [87,91,94]

Blood [90,101]
Urine [91,92,95]

5

Chemical:
Fixed support

Plasma [87,173]
Serum [122,168]

Cell culture [109,113,122,155–
158,160–162,164–167,172,174–

177,179,180,196–200]

24

Plasma [108,114,119,120,123,155,
163,171,173,201]

Serum [110,117,118,123,130,178,
202,203]

Blood [170]
Urine [115,159,169]

14

Chemical:
Floating beads

Plasma [130]
Serum [130,183]

Cell culture [99,137,139–
141,143,147,182,186,188,193,204]

11

Plasma [80,124–
127,129,132,135,138,144,185]

Serum [131,134,145,147,148,181]
Blood [133,142,146]

Urine [128]

14

TOTAL 59 41

In Figure 8, it can be observed that 40% of microfluidic devices have been validated us-
ing body fluids taken from healthy donors or real patients, representing a good percentage
of the total microfluidics-based studies. Among these works, most use immunoaffinity-
based devices to capture vesicles, increasing the difference already noted in Figure 7
compared to the use of physical methods. Notably, passive physical methods are dispos-
able and more prone to clogging than their non-microfluidic counterparts, whereas active
interactions in real fluids must consider several parameters, such as the fact that viscous
biofluids are not as easy to be manipulated as aqueous solution. It is worth noting that
most of the works processing proof-of-concept samples, such as cell lines or spiked EVs, also
include pre-purification steps (e.g., differential ultracentrifugation) before the injection
of the biological fluids to favor better isolation of small vesicles after the elimination of
heavier debris and cell fragments. In contrast, a device already tested with clinical samples
without requiring pre-treatment can be considered ready to use for medical diagnostics,
and this kind of validation must be the final goal of future studies.

4.4. Microfluidic Devices for EV Detection and Analysis

Extracellular vesicles collected and purified by the aforementioned approaches can
be investigated by several detection techniques. The more conventional ones for EV size
estimation require off-chip treatment and characterization by commercial instruments,
mostly based on tracking such as nanoparticle tracking analysis (NTA) [205], dynamic
light scattering (DLS) [206], or flow cytometry (FC) [207], which reveals information on EV
morphology. Indeed, NTA is actually performed in a microfluidic chip for the estimation of
size by scattered light based on Brownian particle fluctuations and similarly occurs for DLS;
cytometric analysis requires hydrodynamic vesicle focusing that is otherwise achievable by
the microfluidic channel.
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Microfluidic devices have also been developed for EV detection, mainly based on two
approaches: (i) self-standing, in which the device itself works as detector, and (ii) storage,
in which the microchannels act as a storing chamber for EVs that are screened by an
external microscope or probe. The first approach typically involves the integration of a
devoted electrode, as occurs for analysis by field-effect transistors [185], electrochemical
sensing [208], zeta potential estimation [102], or lateral flow immunoassay [172].

In contrast, in the second approach, the microfluidic device allows for several types of
detection: (i) colorimetric for EV quantification [109], (ii) spectroscopy based on surface-
enhanced Raman scattering (SERS) [94], (iii) optical properties by surface plasmon reso-
nance (SPR) [200], (iv) resistive pulse sensing due to EV through nanopores [209], (v) detec-
tion by micro-nuclear magnetic resonance (NMR) [142], etc. Furthermore, some microfluidic
platforms were engineered to also perform EV content analysis, such as on-chip quanti-
tative PCR [181] or ELISA [44]. More details on detection methods based on microfluidic
devices can be found in other specific reviews [20,210].

5. Conclusions and Perspective

This review looks at the most important techniques currently used to isolate EVs using
microfluidic devices, analyzing their ability to be applied in clinics. In this perspective,
despite the fact that microfluidic technologies have only recently been applied to the
isolation of EVs, almost half (40%) of the presented devices use potentially clinical samples
for their validation. Therefore, microfluidics seems to represent a promising strategy for
medical investigation.

The comparison between physical and chemical microfluidic approaches for EV isola-
tion emphasizes a slight preference for chemical methods over their physical counterparts,
which becomes much more evident if one considers only the technologies validated with
potential clinical samples. This might be the cause for two possible reasons: (i) the device
performance itself (higher throughput, better capture efficiency, and simple microfabrica-
tion for mass production) or (ii) the general trend of the biomedical community to look for
EVs that have specific phenotypes. Actually, we believe that the latter is dominant, even
though there is probably a combination of both factors. Although the characterization of
EVs was initially based on quantification and size classification, it is now clear that the
specific EV subpopulations can provide useful information related to specific diseases [8].
Therefore, we expect that the gap between physical and chemical approaches will increase
in the near future. A possible alternative to further improve the efficiency and purity in EV
capture might be the implementation of both physical and chemical approaches combined
together inside a single device, using passive EV separation from other massive particles,
and then a specific immunocapture for distinguishing different subpopulations, providing
also high throughput isolation.

In addition to EV isolation, microfluidic devices are also widely employed for EV detec-
tion and analysis. Whereas the first devices consisted of simple microchannels that aimed
to store EVs for further analysis (as for the NTA), new approaches, which combine microflu-
idic systems, devoted optical systems, and antibody immunocapturing, point towards the
analysis of single vesicles in order to achieve information about their heterogeneity within
the same population [211].

In conclusion, we are confident that microfluidics, which is already employed in some
gold-standard techniques for EVs analysis (i.e.,: NTA), can bring great support in terms of
EV isolation by providing tools capable of performing repeatable and automated protocols,
similar to other important biomarkers, such as CTCs and ctDNA. However, microfluidics
experts exposed to the field for the first time must also consider biological and medical
points of view. Therefore, to be really useful, new technologies must be developed in
accordance with the requirements and expectations that, importantly, have progressively
changed over the past five years, following the guidelines on the validation of the protocol
and the outcomes established by the ISEV community [9].
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Abstract: Red blood cell sedimentation has been used as a promising indicator of hematological
diseases and disorders. However, to address several issues (i.e., syringe installation direction, blood
on-off flow control, image-based quantification, and hemodilution) raised by the previous methods,
it is necessary to devise a new method for the effective quantification of red blood cell sedimentation
under a constant blood flow. In this study, the shear stress of a blood flow is estimated by analyzing
an interface in a co-flowing channel to quantify the red blood cell sedimentation in blood syringes
filled with blood (hematocrit = 50%). A red blood cell sedimentation index is newly suggested by
analyzing the temporal variations in the shear stress. According to the experimental investigation, the
sedimentation index tends to decrease at a higher flow rate. A higher level of hematocrit has a negative
influence on the sedimentation index. As a performance demonstration of the present method, the
red blood cell sedimentation processes of various test bloods were quantitatively compared in terms
of the shear stress, image intensity, and sedimentation velocity. It was found that the proposed index
provided a more than 10-fold increase in sensitivity over the previous method (i.e., image intensity).
Additionally, it provided more consistent results than another conventional sedimentation method
(sedimentation velocity). In conclusion, the present index can be effectively adopted to monitor the
red blood cell sedimentation in a 10-min blood delivery.

Keywords: red blood cell sedimentation index; shear stress; microfluidic coflowing channel; erythro-
cyte sedimentation rate; blood syringe; microscopic image intensity

1. Introduction

Red blood cells (RBCs) are thought to be the most common components of blood
and are considered as extremely deformable. RBCs have substantial impacts on micro
blood flows. Alterations of RBCs can be monitored physically by quantifying certain
mechanical properties (RBC aggregation, RBC deformability, viscoelasticity, etc.) under a
capillary blood flow [1–3]. Among the mechanical properties of blood, RBC aggregation
occurs at a sufficiently low shear flow or stasis. In contrast, RBCs disaggregate at higher
shear flow rates. RBC aggregation is highly dependent on aspects such as the membrane
viscoelasticity, surface charge, and plasma protein [4,5]. As RBC aggregation provides
quantitative information on the individual or interaction effects of plasma and RBCs [6], it
has been regarded as a promising indicator for detecting infections, cardiovascular diseases,
metabolic disorders, and hematological diseases [7–9]. The erythrocyte sedimentation
rate (ESR), as calculated using the Westergren technique, is considered as a simple and
gold standard for determining RBC aggregation. Without an external actuator, RBCs are
sedimented owing to the gravitational force in a tube. According to this measurement
method, the ESR is obtained as a sedimentation velocity (mm/h) from a visual detection
of the sedimentation front with an elapse of 1 h. During the sedimentation of the RBCs,
they aggregate and form continuous networks [10]. The networks of the colloidal gels then
collapse [11].

Several techniques have been applied to quantify RBC aggregation or the ESR, in-
cluding those based on electrical impedance [5,12–15], optical light intensity [7,16,17],
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microscopic image intensity [18,19], interface detection in the tube [11,20,21], a holographic
laser tweezer [6], and the shear stress in microfluidic device [22]. Additionally, an external
mechanism (e.g., a pinch valve [16], vibration motor [7], driving syringe [20], or vacuum
pump [22]) can be adopted to periodically run or stop the blood flow in a microfluidic
channel. Ultrasonic transducers have been suggested as an option for accelerating the RBC
sedimentation in reservoirs [23]. Previous methods have measured the RBC aggregation or
ESR in dextran-induced blood [24] or clinical disease blood [7,19,20,25]. More recently, our
group suggested simple methods for quantifying the ESR using a microfluidic platform.
By controlling a driving syringe filled with blood in a periodic on-off fashion, the ESR and
RBC aggregation were obtained by analyzing the microscopic image intensity [26]. Notably,
when blood is supplied into a microfluidic device from a driving syringe that has been
installed horizontally, the hematocrit (Hct) of the RBCs tends to decrease over time. After a
certain amount of time, the diluent is separated from the blood in the syringe. The blood
and diluent are supplied sequentially into the microfluidic device. The contributions of the
Hct can then be quantified by measuring the viscosity, as well as the junction pressure [27].
However, conventional and/or modified ESR techniques adopt a vertical installation of
a driving syringe or tube [19]. During the RBC sedimentation in the syringe, the RBCs
become concentrated at the bottom position, and diluted at the sedimentation front [28].
When blood is suppled into the microfluidic channel from the blood syringe, the Hct tends
to increase over time. Additionally, when quantifying the ESR using the microscopic image
intensity, it is necessary to periodically turn the syringe pump on and off. Lastly, as RBC
sedimentation increases at lower levels of Hct, diluted blood (i.e., Hct = 25%) is generally
prepared to quantify the ESR within a short time [27,29]. In view of the several issues
raised by the previous studies (i.e., syringe installation direction, on-off blood flow, image
intensity, blood dilution), it is necessary to devise a new and simple method for quantifying
RBC sedimentation under a constant micro blood flow.

In this study, by referring to the threshold shear stress for aggregating RBCs under
a blood flow [22,30], the shear stress in microfluidic channel is suggested as an index for
quantifying the RBC sedimentation in the blood syringe. The shear stress represents fluidic
resistance of blood flow under continuous blood flow. It is determined by blood viscosity as
well as blood flow rate. The shear stress could be considered as better effective than image
intensity of blood flow. Thus, the shear stress is newly suggested to quantify red blood
cell sedimentation under continuous blood flow. In this case, the Hct is set to a normal
range (i.e., Hct = 50%). A driving syringe filled with blood is installed vertically. The
RBC sedimentation in the syringe contributes to increasing the Hct of the blood supplied
into the microfluidic channel over time. The shear stress of the blood flow is estimated by
analyzing an interface in a coflowing channel partially filled with blood and a reference
fluid. Based on the temporal variations of shear stress, a new index is then suggested for
RBC sedimentation. The index can be used to estimate the RBC sedimentation in a blood
syringe effectively.

In contrast to the previous studies, the present method does not require stopping or
restarting the blood flow (i.e., it works with a continuous blood flow). To provide settings
similar to those of the conventional ESR technique, a driving syringe is installed vertically
(i.e., vertical installation). Instead of the microscopic image intensity, the shear stress is
used to obtain the RBC sedimentation index, especially under continuous blood flow. The
present study does not require hemodilution to increase the sensitivity. In particular, the
proposed index provides a more than 10-fold increase in sensitivity over the previous
method (i.e., image intensity).

2. Materials and Methods

2.1. Microfluidic-Based Experimental Setup

As shown in Figure 1A, microfluidic device reported in a previous study [27] was
reused to quantify the ESR in a driving syringe. The microfluidic device was designed with
two inlets for two fluids (i.e., blood and reference fluid), two guiding channels (blood chan-
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nel and reference fluid channel), a coflowing channel (width = 1000 μm, length = 3500 μm)
filled with the blood and reference fluid, and an outlet. The lower panel of Figure 1A
shows 3D CAD model of a microfluidic device. The depth of all channels was fixed at
50 μm. A polydimethylsiloxane (Sylgard 184, Dow Corning, Midland, MI, USA) device was
fabricated using a soft lithography technique. The device was placed on an inverted optical
microscope (IX53, Olympus, Tokyo, Japan) equipped with a 4× objective lens (numerical
aperture = 0.1). One Tygon tubing (Cole-Parmer, Vernon Hills, IL, USA, ID = 0.01 inch,
OD = 0.03 inch, and length = 300 mm) was inserted into each inlet. Another Tygon
tubing (length = 200 mm) was fitted to the outlet. To repel air in the device and tubing,
1× phosphate-buffered saline (PBS) was injected through the tubing connected to the outlet.
A reference syringe was filled by adding a glycerin solution (30%) to a disposable syringe
(~1 mL). Simultaneously, a blood syringe was filled by adding blood into a disposable
syringe. Thereafter, as depictured in Figure 1B, both syringes were installed into a syringe
pump (neMESYS, Cetoni GmbH, Korbußen, Germany) aligned along the gravitational
direction. The flow rates of each individual syringe (Qr: flow rate of reference fluid, Qb:
flow rate of blood) were set to constant values. As a preliminary study, to understand the
contribution of the RBC sedimentation in the blood syringe to the blood flow in the mi-
crofluidic channel, the RBC sedimentation was monitored by quantifying the sedimentation
front in the blood syringe. The blood (Hct = 50%) was prepared by adding normal RBCs
to a dextran solution (10 mg/mL). The flow rate of the blood syringe was set to 0.5 mL/h.
Figure 1C shows snapshots of the RBC sedimentation in the blood syringe over 90 min. As
blood was supplied to the microfluidic device from the blood syringe, the blood volume
(or height) in the blood syringe decreased linearly over time. The RBC sedimentation
contributed to the gradual increase in the diluent volume (or height) over time.

Figure 1. Microfluidic platform for quantifying red blood cell (RBC) sedimentation in terms of
previous suggested factors. (A) Schematics of a microfluidic device (i.e., prototype, and 3D model).
Microfluidic device with two inlets, outlet, two guiding channels (reference fluid channel and
blood channel), and coflowing channel. Lower-side panel shows blood channel filled with blood.
(B) Syringe pump for delivering blood as well as reference fluid. Qr and Qb denote flow rates of
reference fluid and blood sample, respectively. (C) Snapshots for showing RBC sedimentation in the
blood syringe for 90 min. In this case, blood (Hct = 50%) was prepared by mixing normal RBCs into
dextran solution (10 mg/mL). Flow rate of syringe pump set to Qb = 0.5 mL/h.
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2.2. RBC Sedimentation Index Using Temporal Variation of Shear Stress

Instead of the image intensity of the blood flow in the microfluidic channel, the shear
stress was suggested as an index for quantifying the RBC sedimentation in the blood
syringe. As shown in Figure 2A, the co-flowing channel was modeled with discrete fluidic
circuit elements, such as the fluidic resistance and flow rate. A single co-flowing channel
was partially filled with the reference fluid and blood. The width of each fluid was given as
(1 − β) × w and β × w. According to previous studies [31–34], the virtual wall concept was
used to simplify complex problems. In particular, the co-flowing channel was assumed to be
two independent channels (i.e., a reference fluid channel and blood channel) connected in
parallel. A correction factor (CP), which was expressed as interface (β), was then suggested
to compensate for the mathematical modeling error resulting from the difference between
the real physical model and simple mathematical model [35,36]. The frictional losses of
the fluids were represented by two fluidic resistances (Rr and Rb), where the subscripts
r and b represented the reference fluid and the blood, respectively. The flow rates of the
two fluids were denoted by Qr and Qb, respectively. A symbol (	) represented the zero
value of the gauge pressure (i.e., ground, p = 0). At the distance of L from the ground, the
pressure of each fluid was designated as Pr or Pb, respectively. In this case, both pressures
had the same values in the straight and rectangular channels (i.e., Pr ≈ Pb). The pressure of
each fluid was then derived as [35],

Pr =
12 μr × L × Qr

(1 − β)× w × h3 (1)

In addition,

Pb =
12 μb × L × Qb

CP × β × w × h3 (2)

In Equations (1) and (2), μr and μb denoted the viscosities of the reference fluid and
blood, respectively. L represented channel length of coflowing channel. Based on the same
pressure condition, the blood viscosity formula could be derived as,

μb = μr ×
(

β

1 − β

)
×

(
Qr

Qb

)
× CP(β) (3)

According to the force balance between the pressure-induced force and viscous shear
force along reference fluid stream [35], the relationship between shear stress and pressure
difference was given as,

τr × (2(1 − β ) w L) = Pr × ((1 − β ) w h) (4)

Similarly, the relationship between shear stress and pressure difference along blood
stream was expressed as,

τb × (2 β w L) = Pb × (β w h) (5)

By substituting Equations (4) and (5) into Equations (1) and (2), the shear stress of each
fluid stream was then derived as,

τr =
6 μr × Qr

(1 − β)× w × h2 (6)

In addition,

τb =
6 μb × Qb

CP × β × w × h2 (7)
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Figure 2. RBC sedimentation index in terms of shear stress of blood flow. (A) Discrete fluidic circuit
model for estimating shear stress of blood flow in coflowing channel. (B) Variations of shear stress
for control blood with no RBC sedimentation. In this case, control blood (hematocrit = 50%) was
prepared by adding normal RBCs into 1× phosphate-buffered solution (PBS). (i) Temporal variations
of interface (β) with respect to 1× PBS as well as control blood. (ii) Temporal variations of shear
stress with respect to 1× PBS as well as control blood. (C) Variations of shear stress for sedimentation-
enhanced test blood. Test blood (hematocrit = 50%) was prepared by adding normal RBCs into
dextran solution (10 mg/mL). (i) Temporal variations of interface (β) with respect to dextran solution
and test blood. (ii) Temporal variations of shear stress with respect to dextran solution and test blood.
From the results, RBC sedimentation index was suggested as ESRτ = A/(A + B). Based on the temporal
variations of τ, A and B were calculated as A =

∫ ts
0 (τ(t)− τ(t = 0))dt and B =

∫ ts
0 τ(t = 0)dt.

By substituting Equation (3) into Equation (7), both fluid streams satisfied with the
same shear stress condition (i.e., τr = τb = τ). According to Equations (3) and (6), the
blood viscosity and shear stress of blood stream could be quantified by monitoring the
interface (β) at a specific flow rate of the two fluids. For a rectangular microfluidic channel
(i.e., width = 1000 μm, depth = 50 μm), the correction factor was given as CP = −9.014
β4 + 21.273 β3 − 18.403 β2 + 7.051 β − 0.168 (R2 = 0.99) [27]. According to Equations (1)
and (6), pressure of reference fluid (Pr) was expressed as Pr = τr × L/h. Namely, pressure
was proportional to shear stress. As L/h was fixed in the identical microfluidic channel,
the accuracy of shear stress formula was the same as the accuracy of pressure formula.
Based on the previous work [27], normalized difference between analytical formula and
numerical simulation was less than 6%. Thus, the Equation (6) could be used to monitor
change in shear stress in the coflowing channel with enough accuracy.

To validate the contribution of the RBC sedimentation to the shear stress of the blood
flow in the microfluidic channel, control blood (Hct = 50%) was prepared by adding normal
RBCs to 1× PBS. As the diluent (1× PBS) did not include plasma proteins and the Hct was
set to a higher level of 50%, the variations in the RBC sedimentation could be negligible
within a short duration of 2 h [19]. The flow rate of both fluids was set to 0.5 mL/h. As
shown in Figure 2(Bi), temporal variations of the interface (β) were identified with respect
to the pure diluent (1× PBS) and control blood. As expected, neither fluid contributed
to the varying β over time. Based on Equation (6), the shear stresses of both fluids were
calculated over time. As shown in Figure 2(Bii), the temporal variations in shear stress were
obtained with respect to the 1× PBS and control blood. The shear stresses of both fluids
remained unchanged over time (i.e., shear stress of 1× PBS = 1.42 ± 0.01 Pa, shear stress of
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control blood = 1.95 ± 0.03 Pa). Then, to enhance the RBC aggregation in the control blood,
the 1× PBS was replaced with a dextran solution (10 mg/mL). Test blood (Hct = 50%)
was prepared by adding normal RBCs to the dextran solution. As shown in Figure 2(Ci),
temporal variations in β were identified with respect to the pure dextran solution and test
blood. As the pure dextran solution did not include RBCs, it did not contribute to the
change in β over time. However, the test blood exhibited variations of β over time. Namely,
the pure dextran solution influenced the RBC aggregation in the test blood. Figure 2(Cii)
shows the temporal variations in τ with respect to the pure dextran solution and test
blood. In this case, at an initial time (t = 0), the corresponding shear stresses of each fluid
were obtained as τ = 1.61 ± 0.01 Pa (pure dextran solution) and τ = 2.18 ± 0.01 Pa (test
blood), respectively. The shear stress of the test fluid increased with time. Referring to
an RBC aggregation index reported in a previous study [7,37], the RBC sedimentation
index was newly suggested as ESRτ = A/(A + B). Based on the temporal variations in τ, A
and B were calculated as A =

∫ ts
0 (τ(t)− τ(t = 0))dt and B =

∫ ts
0 τ(t = 0)dt. For the control

blood (Figure 2(Bii)), ESRτ was calculated as zero, because A was zero. However, the RBC
sedimentation index of the test blood was estimated as ESRτ = 0.30 ± 0.02 (n = 3).

From the preliminary results, the RBC sedimentation index (ESRτ) showed substantial
differences between the control and test blood.

2.3. Quantification of Flow Rate of Reference Fluid with Micro Particle Image Velocimetry

To visualize the velocity fields of the reference fluid, RBCs (20 μL) were added to the
reference fluid (1 mL). A high-speed camera (FASTCAM MINI, Photron, Tokyo, Japan) was
used to capture microscopic blood flow images at intervals of 1 s. The frame rate of the high-
speed camera was set to 2000 frames/s. Two sequential images were continuously captured
at intervals of 2 s. As shown in Figure A1A, a region of interest (ROI) of 300 × 510 pixels
was selected in the straight channel. The velocity fields of the reference fluid were obtained
by setting the integration size to 32 × 16 pixels (i.e., a 50% overlap between two sequential
images) [38]. The average velocity (<U>) was then obtained by averaging the velocity
fields distributed over the ROI. The flow rate of the reference fluid was calculated using
QPIV = Ac × <U>. In this case, Ac denoted the cross-sectional area of the rectangular
channel (Ac = width × depth).

2.4. Blood Preparation for Stimulating RBC Sedimentation in the Driving Syringe

An RBC bag (~320 mL) filled with concentrated RBCs was provided by the Gwangju–
Chonnam Blood Bank (Gwangju, South Korea). It was stored in a refrigerator at 4◦.
According to the specific washing procedures [23], normal RBCs were then collected from
the concentrated RBCs. To enhance the aggregation within the normal RBCs, normal RBCs
were added to the dextran solution. Nine dextran solutions (Cdex = 5, 7.5, 10, 15, 20, 30,
40, 60, and 80 mg/mL) were prepared by dissolving dextran powder (Leuconostoc spp.,
MW = 450–650 kDa; Sigma-Aldrich, St. Louis, MO, USA) in 1× PBS. Unless otherwise
stated, the Hct was set at 50%.

3. Results and Discussion

3.1. Red Blood Cell (RBC) Sedimentation in Driving Blood Syringe and Its Contribution to
Blood Flow

Three representative factors (diluent volume/blood volume, Hct, and image intensity)
were used to quantify the effects of the RBC sedimentation in the blood syringe. First, based
on the snapshots (Figure 1C), the diluent height (h) and blood height (H) were obtained
by inspecting the sedimentation front in the blood syringe over time. Figure 3A shows
the temporal variations in h, H, and h/H. h gradually increased for up to 80 min. The
right panel shows the diluent height (h) and blood height (H). H gradually decreased over
time. The RBC sedimentation caused an increase in h/H ranging from 0 to 1. The RBC
sedimentation caused a decrease in the Hct of the blood in the blood syringe. As the total
blood volume was fixed in the blood syringe, it was expected that the Hct of the blood
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supplied from the blood syringe would increase over time. Second, to measure the Hct
of the blood in the microfluidic channel, blood was collected from the outlet at intervals
of 10 min. Thereafter, the variations in Hct were identified using a micro hemocytometer
(Microhematocrit, VS-12000, Vison Scientific Co., Daejeon, South Korea). Figure 3(Bi) shows
an image of the capillary tubes captured after operation of the micro hemocytometer from
t = 10 min to t = 90 min. As shown in Figure 3(Bii), the Hct values were obtained at intervals
of 10 min. As expected, the Hct increased gradually from t = 10 min to t = 80 min. The
Hct values at specific times were measured as Hct = 43.7 ± 1.5% (t = 10 min), 51.5 ± 2%
(t = 20 min), 64.4 ± 1.6% (t = 40 min), 70.5 ± 2.8% (t = 60 min), 70.6 ± 2.8% (t = 80 min),
and 27.4 ± 0.8% (t = 90 min). This indicated that the RBC sedimentation contributed to a
continuous increase in the Hct of the blood in the microfluidic channel. Finally, the image
intensity of the blood flow (Ib) was obtained by analyzing the image intensity of the blood
flows within the blood channel (Region-Of-Interest, 2 × 1 mm2). Figure 3C shows the
temporal variations in Ib over time. Ib remained unchanged over time. From these results,
it was considered as impossible to monitor the RBC sedimentation in terms of the image
intensity of the blood flow, especially under a continuous blood flow. Thus, it was inferred
that the RBC aggregation [14] should be measured after stopping the blood flow [7,16].

Figure 3. Quantification of RBC sedimentation in terms of three representative factors (i.e., sedimen-
tation distance, hematocrit, and image intensity). (A) Temporal variations of RBC sedimentation
distance in blood syringe. Right-side panel shows diluent height (h) as well as blood height (H).
(B). Measurement of hematocrit with hemocytometer. (i) Capillary tubes captured after opera-
tion of micro hemocytometer. (ii) Temporal variations of hematocrit of blood collected at outlet.
(C) Temporal variation of image intensity (Ib) in blood channel.
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3.2. Contributions of Flow Rate and Hematocrit to RBC Sedimentation Index

As shown in Figure 1C, it was expected that the RBC sedimentation in the blood
syringe could vary according to the flow rate and Hct. Thus, it was necessary to evaluate
the contributions of these two representative factors to the RBC sedimentation index.

According to Equation (6), to obtain a consistent value of the shear stress, the flow
rate of the reference fluid should remain consistent over a sufficient period. The fluctua-
tions in the flow rate controlled by the syringe pump were validated using microparticle
image velocimetry. The flow rate of the syringe pump varied from Qsp = 0.25 mL/h to
Qsp = 1.5 mL/h. Figure A1B shows the temporal variations in QPIV with respect to Qsp. As a
result, it can be seen that the flow rate of the reference fluid remained constant over time. To
quantify the fluctuations of the flow rate, the coefficient of variance (COV) was calculated
as COV = standard deviation/mean. Figure A1C shows the variations of QPIV and the COV
with respect to setting the flow rate of the syringe pump (Qsp). A linear regression analysis
gives a higher value of the regression coefficient (i.e., R2 = 0.9997). By increasing the flow
rate of the syringe pump from 0.25 mL/h to 1.5 mL/h, the COV decreased substantially,
from 7.7% to 1.5%. At a flow rate of Qsp = 0.5 mL/h, the flow rate of the reference fluid was
measured as QPIV = 0.56 ± 0.03 mL/h. The COV was then calculated as 4.5%. These results
indicate that syringe pump can consistently maintain the flow rate of the reference fluid for
a long period of 70 min.

Next, the contribution of the flow rate the RBC sedimentation index (ESRτ) was
validated by varying the flow rates from 0.25 mL/h to 1.5 mL/h. The flow rates of both
fluids were set to the same value (i.e., Qr = Qb). The test blood (Hct = 50%) was prepared by
adding normal RBCs to a dextran solution (10 mg/mL). Figure 4(Ai) shows the temporal
variations in the shear stress (τ) with respect to the blood flow rate (Qb). At t = 0, the
shear stress (τ) increases substantially at higher flow rates. A higher flow rate causes a
decrease in the delivery time. Based on the delivery time of Qb =1.5 mL/h, the integration
time for calculating A and B was limited to 30 min (i.e., ts = 30 min). Figure 4(Aii) shows
the variations in the RBC sedimentation index (ESRτ) with Qb. The ESRτ is represented
as the mean ± standard deviation (n = 4). The sedimentation index does not exhibit a
substantial difference between Qb = 0.25 and Qb = 0.5 mL/h. In addition, it includes large
fluctuations at Qb = 0.25 mL/h. Above Qb = 0.5 mL/h, the sedimentation index tends to
decrease at higher flow rates. Namely, when the syringe pump is set to a higher flow rate,
the RBC sedimentation decreases. Therefore, the RBC sedimentation index decreases. The
results indicate that the flow rate of the syringe pump has a strong influence on the RBC
sedimentation index. Thus, the flow rates of both fluids were fixed as Qr = Qb = 0.5 mL/h
for the following experiments.

According to previous studies [13,19,20,27], a higher Hct level could retard RBC
sedimentation in the tube or syringe. To evaluate the contribution of the Hct to the RBC
sedimentation index, the sedimentation index was measured with respect to Hct = 30%,
40%, and 50%. Figure 4(Bi) shows the temporal variations in the shear stress with respect
to the Hct. Using the temporal variations in τ, the RBC sedimentation index was obtained
with respect to Hct. The integration time was fixed at ts = 30 min. As shown in Figure 4(Bii),
the ESRτ gradually decreases with respect to Hct. The sedimentation index is expressed
as the mean ± standard deviation (n = 3). As expected, a higher Hct level negatively
affects RBC sedimentation. Compared with previous studies [7,20,24], the present results
exhibited sufficiently reliable trends with respect to Hct. From the results, and for obtaining
a consistent RBC sedimentation index, the Hct of test fluid was fixed at 50% for the
following experiments.
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Figure 4. Contributions of flow rate and hematocrit to RBC sedimentation index (ESRτ). (A) Effect
of blood flow rate on RBC sedimentation index. (i) Temporal variation of shear stress with respect
to blood flow rate (Qb). (ii) Variation of ESRτ with respect to Qb. (B) Effect of hematocrit on RBC
sedimentation index. (i) Temporal variation of shear stress with respect to Hct = 30%, 40%, and 50%.
(ii) Variation of ESRτ with respect to Hct.

3.3. Quantitative Validation of Suggested RBC Sedimentation Index

As the last demonstration, it was necessary to validate the suggested RBC sedimen-
tation index by comparing it with previous methods (i.e., sedimentation height per 1 h
and image intensity). A quantitative comparison between the present method and previ-
ous methods was conducted using RBC sedimentation-enhanced blood. Based on previ-
ous studies [39–41], the dextran solution contributed to increasing the RBC aggregation
or sedimentation.

As shown in Figure 5(Ai), the temporal variations in τ were identified by increasing the
concentrations of the dextran solution. The initial shear stress τ (t = 0) increases substantially
at higher dextran solution concentrations. For two test blood samples (Cdex = 10 and
20 mg/mL), the shear stress tends to increase significantly over time. However, above
Cdex = 40 mg/mL, the test blood exhibits fluctuations in the shear stress over time, rather
than a substantial increase over time. To determine the effect of the pure diluent, the
viscosity of the test blood and initial shear stress were obtained with respect to Cdex.
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Figure 5. Quantitative comparison between present method and previous methods. (A) Contribution
of dextran solution to RBC sedimentation index. (i) Temporal variations of shear stress with respect to
Cdex. (ii) Variations of initial shear stress (τ (t = 0)) as well as blood viscosity (μb (t = 0)) with respect
to Cdex. (iii) Variations of RBC sedimentation index with respect to Cdex and ts. (B) Evaluation of RBC
sedimentation using image intensity of blood flow (Ib). (i) Temporal variations of Ib with respect to
Cdex. (ii) Variations of ESRI with respect to Cdex. (C) Quantitative comparison of RBC sedimentation
index in terms of shear stress, image intensity, and sedimentation velocity.

As shown in Figure 5(Aii), the variations in τ (t = 0) and μb (t = 0) are represented
with respect to Cdex. At t =0, the blood viscosity and shear stress increase at higher dextran
solution concentrations. From the results, it can be seen that the dextran solution contributes
significantly to increasing the blood viscosity, as well as the shear stress. According to
Equation (7), the shear stress is proportional to the blood viscosity. Thus, these results
can be considered as sufficiently reliable. Based on the temporal variations in τ, the RBC
sedimentation index (ESRτ) was obtained with respect to Cdex. Furthermore, the test blood
was saturated for 20 min (Cdex = 20 mg/mL). In this case, the integration time was selected
as ts = 10 or 20 min. Figure 5(Aiii) shows the variations in the RBC sedimentation index
with respect to Cdex and ts. The sedimentation index increases up to a Cdex of 15 mg/mL. It
remains constant from Cdex = 15 mg/mL to Cdex = 40 mg/mL. The sedimentation index
gradually decreases above Cdex = 40 mg/mL. Based on the peak value of the sedimentation
index, the longer integration time (ts = 20 min) causes a 50% increase in sensitivity relative
to the shorter integration time (ts = 10 min).

In previous studies [7,20,23,37], the RBC aggregation or sedimentation was quantified
by analyzing the image intensity of the blood flow over time. Following such previous
methods, as shown in Figure 3C, the image intensity of the blood flow (Ib) was obtained
under a continuous blood flow (Qb = 0.5 mL/h). Figure 5(Bi) shows the temporal variations
in Ib with respect to Cdex. The image intensity is higher at lower concentrations of dextran
solution. The time variation of Ib is not distinct with respect to Cdex. Based on the definition
of the RBC aggregation index [37], the ESR index (ESII) was calculated using the temporal
variations in Ib. Figure 5(Bii) shows the variations in ESRI with respect to Cdex. The
ESRI exhibits a peak value of 0.03 at Cdex = 10 mg/mL. The ESRI has a value of zero for
Cdex = 40 mg/mL. As the variation in Ib is much smaller over time, the ESRI provides
extremely low sensitivity within Cdex = 40 mg/mL. For this reason, the image intensity is
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ineffective for quantifying RBC sedimentation, especially under a continuous blood flow.
In addition, a conventional ESR was quantified by monitoring the RBC sedimentation in
disposable syringe. After injecting 1 mL of blood into the disposable syringe (~1 mL), the
sedimentation front was monitored for 30 min. The conventional ESR was then obtained by
dividing the sedimentation height at 0.5 h (i.e., sedimentation velocity, mm/h). Figure 5C
shows a quantitative comparison of the RBC sedimentation index in terms of the shear
stress (ESRτ), image intensity (ESRI), and sedimentation velocity (mm/h). Among the two
data of the ESRτ as shown in Figure 5(Aiii), the ESRτ calculated at a shorter integrating
time (ts = 10 min) was redrawn with respect to Cdex. The present sedimentation index
exhibits very similar trends to those of the conventional ESR technique (i.e., sedimentation
velocity). However, the ESRτ shows more consistent trends than the sedimentation velocity.
The sedimentation velocity exhibits a large scattering. Furthermore, for the test blood
(Cdex = 20 mg/mL), the sensitivity of ESRτ is more than 10-fold higher than that of ESRI.

From the experimental investigation, it can be concluded that the RBC sedimentation
index proposed in this study can be effectively used to quantify RBC sedimentation in
a driving syringe. Furthermore, the sedimentation index yields consistent results when
compared with the conventional ESR (sedimentation velocity). Thus, while supplying
blood (Hct = 50%) into the microfluidic channel continuously for 10 min, it is possible to
quantify RBC sedimentation effectively in terms of the shear stress, rather than the image
intensity. One limitation of the present study is that the present index was not applied to test
clinical blood. Furthermore, as the present method was demonstrated in a well-equipped
laboratory, it will be necessary to update the present method for in-situ diagnoses.

4. Conclusions

In this study, to quantify the RBC sedimentation in blood syringes filled with blood
(Hct = 50%), a new RBC sedimentation index was suggested, based on the shear stress of the
blood flow in the microfluidic channel. Under a constant blood flow, the shear stress was
estimated by analyzing an interface in a coflowing channel. According to an experimental
investigation of the flow rate and Hct, the sedimentation index tended to decrease at higher
flow rates. A higher Hct level had a negative effect on the RBC sedimentation index.
As a performance demonstration, the RBC sedimentation values of various test blood
samples were quantitatively compared in terms of the shear stress, image intensity, and
sedimentation velocity. As a result, it was found that the proposed sedimentation index
provides more than 10-fold higher sensitivity than the image intensity. It has the ability
to provide more consistent results than the conventional ESR technique (sedimentation
velocity). In the near future, the present sedimentation index will be applied to test clinical
blood, and the method will be updated for in in-situ diagnosis.
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Appendix A

 
Figure A1. Validation of flow rate of reference fluid controlled by syringe pump. (A) Quantification
of flow rate of reference fluid with microparticle image velocimetry. (B) Temporal variations of QPIV

with respect to flow rate of syringe pump (Qsp) = 0.25, 0.5, 1, and 1.5 mL/h. (C) Variations of QPIV

and coefficient of variance (COV) with respect to Qsp.
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Abstract: One of the major challenges of guided bone regeneration (GBR) is infections caused by
pathogen colonization at wound sites. In this paper, an asymmetric microfluidic/chitosan device
was developed to release drugs to inhibit infections and to ensure that guided bone regeneration can
be realized. The microfluidic technique was introduced into the GBR membrane for the first time,
which demonstrated more controllable drug release, more flexible clinical use and had a lower cost
compared with surface treatments and embedded nanoparticles. Based on the theory of diffusion
and Fick’s first law, the contact area and concentration gradient were adjusted to realize sustained
drug release. The standard deviation of minocycline release over 5 days was only 12.7%, which was
lower than the joint effect of porous chitosan discs and nanospheres. The in vitro experiments against
E. coli and Streptococcus mutans showed the excellent antibacterial performance of the device (>95%).
The in vitro experiments for fibroblasts at the microfluidic side and osteoblasts at the chitosan side
showed the satisfactory biocompatibility and the ability of the device to enhance bone regeneration.
Therefore, this microfluidic/chitosan device is a promising therapeutic approach to prevent infection
and guide bone regeneration.

Keywords: microfluidic; drug release; guided bone regeneration

1. Introduction

The guided bone regeneration (GBR) technique has been commonly performed to
repair bone defects caused by pathologic lesions or to augment alveolar bones for dental
implant treatment [1]. The core of this technique involves using a barrier membrane
to cover the bone defect area, which prevents the migration of epithelial cells and the
surrounding fibroblasts from interfering with bone formation. Current GBR membranes
fulfill the following five design criteria: (1) biocompatibility; (2) proper stiffness for space
maintenance; (3) prevent epithelial cell migration; (4) tissue integration and (5) clinical
manageability [2–5].

In addition to these basic characteristics, GBR membranes are supposed to have some
additional functional characteristics. Collagen membranes have advantages such as weak
immunogenicity and weak cytotoxicity compared with polytetrafluoroethylene (PTFE)
membranes and titanium mesh [6,7]. Bio-Gide® is the leading collagen membrane for oral
bone regeneration. The smooth side of this membrane prevents soft tissue from growing
into the defect, meanwhile the rough side serves as a framework for bone cells and blood
vessels [8,9]. However, collagen membranes usually involve a complex manufacturing
process and it is hard to deal with wound infections when using these membranes.

In order to promote antibacterial properties, various GBR membranes were devel-
oped [10–12]. A common method involves combining some inorganic or organic ingredients
with substrates. Chitosan has been recognized as an antimicrobial barrier membrane in GBR
and guided tissue regeneration (GTR) [13,14]. Choi et al. showed that chitosan effectively in-
hibited Actinobacillus actinomycetemcomitans, the representative oral pathogen [15]. Shao
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et al. [16] fabricated a chitosan/poly(ethylene oxide) membrane with silver nanoparticles
to inhibit Porphyromonas gingivalis and Fusobacterium nucleatum. In addition, graphene
oxide (GO) can reduce bacteria viability by degrading their cell membranes [17,18]. Zhang
et al. [19] reported a multifunctional bilayer GBR membrane using CS, GO, and a type of
CaSi (xonotlite) nanowires as a building block. Although this method has advantages in its
design and manufacture, the antibacterial properties of the membranes are limited by their
intrinsic properties and these are difficult to adjust.

Loading drugs into the membranes directly or via nanoparticles can efficiently inhibit
bacterial proliferation [20–22]. Chang et al. [23] developed gelatin/hyaluronic acid-based
hydrogel membranes loaded with hinokitiol. The membranes were immersed in hinokitiol
solution for loading and showed antibacterial properties after 48 h. Lian et al. [24] fabricated
a bi-layered GBR membrane, whose loose layer was incorporated with dexamethasone-
loaded mesoporous silica nanoparticles (DEX@MSNs), while the dense layer was loaded
with the broad-spectrum antibiotic doxycycline hyclate (DCH). In vitro drug release tests
indicated that both DEX and DCH followed a favorable sustained release profile. In
our previous work [25], we prepared a novel asymmetric microfluidic/chitosan GBR
membrane that contained minocycline-loaded nanoparticles. The bacteriostatic rates of this
membrane against Porphyromonas gingivalis and Fusobacterium nucleatum were 95.3%
and 92.1%, respectively.

Although many drug-loaded membranes have shown their potential, there are still
many challenges in manufacturing an ideal antibacterial GBR membrane, such as (1) more
precise control of the antibacterial drug release; (2) customized and flexible use in clinical
treatments; and (3) low manufacturing cost. For most conventional drug-loaded mem-
branes, the drug is easily burst-released when it is loaded on the surface, while it is difficult
to be released when it is loaded inside. In addition, the type and dosage of the drugs are
determined along with the manufacture process. Dentists cannot customize the membrane
according to the characteristics of the patients. The manufacturing cost should also be con-
sidered. Some reported antibacterial GBR membranes need to be manufactured following
complex processes, which are only suitable for laboratory scale tests and it is difficult for
them to be mass produced.

In recent years, the microfluidic technique has received increasing attention with
regard to drug release due to its precise control of fluids and suspended particles [26–28].
Meng et al. [29] proposed a micro-high intensity focused ultrasound (MHIFU) generated by
a microfluidic device, which is able to control the drug release from temperature-sensitive
liposomes (TSL). The flow cytometry results show that the drug delivery under MHIFU
sonication leads to a significant increase in apoptosis. Jiang et al. [30] presented a low-cost,
passive and flexible microfluidic device that uses wound pH as a trigger for localized drug
release. The device can dispense 50 μL onto a 160 mm2 dermal coverage within 4 h, showing
the precision and controllability of the microfluidic technique. Trani et al. [31] described
a subcutaneously implantable remote-controlled nanofluidic device that is capable of
sustained drug release with adjustable dosing and timing, demonstrating the advantage of
the microfluidic technique in treatment precisely tailored to individual needs.

In this study, a novel asymmetric microfluidic/chitosan device was developed for GBR
applications. As shown in Figure 1, the microfluidic side prevented fibroblasts from invad-
ing bone defects using dense polylactic acid (PLA) substrates (PLA has been approved by
European authorities and the Food and Drug Administration for the treatment of periodon-
tal disease and is widely used [32–34]), and sustained release of antibacterial drugs from
the embedded reservoir at the gingival region was reported. The reservoir can be preloaded
with drug-loaded nanoparticles and further filled with customized solutions in clinical use.
The chitosan side could facilitate osteoblast adhesion and proliferation at the bone defect
region. Minocycline was selected to explore the in vitro drug release profiles under dif-
ferent drug-loaded strategies. The antibacterial performance of the microfluidic/chitosan
device was tested against Escherichia coli and Streptococcus mutans. The fibrogenic and
osteogenic properties of the microfluidic/chitosan device were further examined using
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L929 fibroblasts and MC3T3-E1 osteoblasts, respectively. The microfluidic/chitosan device
can be manufactured by simple methods using common and commercial materials, which
leads to their wider application. The developed microfluidic/chitosan device with both os-
teogenic and antibacterial properties may be a promising candidate for the GBR technique.

Figure 1. Conceptual illustration of the microfluidic/chitosan device for guided bone regeneration.
(a) The microfluidic/chitosan device is placed between the gingival region and the bone defect region.
(b) The working principle of the microfluidic/chitosan device. It can inhibit bacteria proliferation on
the microfluidic side and promote bone growth on the chitosan side.

2. Materials and Methods

2.1. Device Design and Manufacture

The microfluidic/chitosan device shown in Figure 1a consisted of three PLA layers,
porous chitosan discs, a sealing film and a chitosan layer. The top and the bottom PLA
layers were cut from the PLA film (Hongjian Bio-medical Products Co. Ltd., Guangzhou,
China) using a laser (GMA6040, Yueming Laser CO., Dongguan, China). The cutting speed
was 250 mm/s. The middle PLA layer was 800 μm and constructed using a fused deposition
modeling (FDM) 3D printer (JGAURORA A6, JGMAKER CO., Shenzhen, China). The
structure of the middle PLA layer was designed with AutoCAD 2018 and then transferred
to the 3D printer. The printing temperature was 210 ◦C and the printing velocity was
80 mm/s. The XY printing accuracy was 0.05 mm and the minimum Z plane resolution
was 0.1 mm. The cavity within the three PLA layers was the drug reservoir, whose volume
was 265.38 mm3. The porous chitosan discs were placed between the top PLA layer and the
middle PLA layer. For chitosan layer synthesis, 2% chitosan solution was prepared using
2 g of chitosan powder and 100 mL of 2% ice acetic acid and left overnight at 4 ◦C to remove
the bubbles. Then, the chitosan solution was slowly poured into a polytetrafluoroethylene
mold (60 mm in diameter, 15 mm in depth) to obtain a homogeneous film. The films
were then immersed into liquid nitrogen for 10 s. Subsequently, these chitosan films were
lyophilized at −80 ◦C for 24 h to produce a porous structure. The inlets were used to inject
the drug solution. After injection, the inlets were blocked by a sealing film. The structure
of the microfluidic/chitosan device is shown in Figure 2. All components are bonded by
tissue adhesive. The total thickness of the device was about 2 mm (50 μm for the top and
bottom PLA layer, 800 μm for the middle PLA layer and about 1 mm for the chitosan layer).
The area of the device can be adjusted according to the bone defect area and the internal
structure can be scaled proportionally. To facilitate testing, the radius of the device in the
in vitro experiments was 10.2 mm. When placed into the oral position, the radius of the
device can be reduced to 2–5 mm.
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Figure 2. Structure of the microfluidic/chitosan device. (a) Three-dimensional exploded view of
the device, from top to bottom: top PLA layer, drug reservoir, bottom PLA layer, and chitosan layer.
(b) Photograph of the microfluidic/chitosan device.

2.2. Drug Release Characterizations

To characterize the drug release capability, the microfluidic/chitosan devices loaded
with minocycline solution and nanoparticles (PERIOCLINE, Sunstar INC., Osaka, Japan)
were placed in beakers with 10 mL PBS (pH 7.4) and gently shaken at a constant temper-
ature of 37 ◦C. Subsequently, the supernatant was collected at various time points and
inspected by a liquid chromatograph mass spectrometer (Waters E2695). The minocycline
concentration was calculated based on the standard curve and used to calculate cumulative
release [35]. All calculations were repeated more than three times and averaged.

2.3. In-Vitro Assessment of Bacterial Infections

The proliferation of the Escherichia coli and Streptococcus mutans were evaluated to
measure the antibacterial performance by measuring the OD value [36]. The bacteria were
seeded in 96-well plates (1 × 107 colony forming units (CFU)/mL) using the leachate of the
microfluidic/chitosan device). Then, 10 μL of bacterial suspension was used to obtain the
OD value at particular timepoints. The morphologies of the top PLA layer and the bacteria
were observed by scanning electron microscopy (SEM; Nova NanoSEM 430, FEI, Hillsboro,
OR, USA).

2.4. In-Vitro Assessment on Fibroblast Cell Proliferation

The proliferation of the fibroblast L929 on the microfluidic side was evaluated using
the normal CCK-8 assay [37]. The fibroblasts in different conditions were seeded in 96-well
plates (2000 cells/well). Then, 10 μL of CCK-8 reagent (Solarbio, Beijing, China) was added
to the parallel wells every 24 h, followed by incubation for 4 h at 37 ◦C. The OD value
was calculated at 450 nm absorbance. Live/dead cell double staining (Solarbio, Beijing,
China) was used to distinguish dead cells (red staining) from live ones (green staining) to
evaluate the viability of fibroblasts and the biocompatibility of the microfluidic/chitosan
device. The fibroblasts were seeded on the device in 24-well plates (40,000 cells/well).
Then, the cells were washed with PBS three times, and then stained with AO/EB (acridine
orange/ethidium bromide) solution (0.5 mL/well) at various timepoints. The media were
refreshed every 24 h. The fibroblasts were observed using laser confocal microscopy (CMLS)
(Fv-1000, Olympus, Tokyo, Japan). The morphology of the fibroblasts on the top PLA layer
surface was observed by SEM. All tests were repeated at least 3 times.
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2.5. In-Vitro Assessment of Osteoblast Cell Proliferation

The proliferation and the viability of the osteoblasts MC3T3-E1 on the chitosan side
were also evaluated by using the CCK-8 assay. The method was the same as the method
mentioned in Section 2.4. The morphology of the osteoblast on the chitosan device surface
was observed by SEM.

3. Results and Discussion

3.1. Mechanism of Drug Delivery at the Microfluidic Side

The antimicrobial effect of the microfluidic/chitosan device is based on the imbedded
drug. When the microfluidic/chitosan device was immersed into culture medium in vitro
(or pasted to gum tissue in vivo), minocycline was released due to molecular diffusion. The
release amount Q is determined as follows:

Q = JAt (1)

where J is the diffusion flux, A is the contact area and t is the time. The diffusion flux, J, can
be calculated as Fick’s first law, which is as follows:

J = −D
dC
dx

(2)

where D is the diffusion coefficient, C is the concentration of the solute and x is the position.
Thus, dC

dx is the concentration gradient. It shows that the solute will move from a region of
high concentration to a region of low concentration. The diffusion coefficient, D, can be
estimated by the Wilke–Chang formula, which is as follows:

D = 7.4 × 10−8

[
(ϕμB)

1/2 T
ηBV0.6

A

]
(3)

where ϕ is the parameter of association of the solvent, μB is the molecular mass of the
solvent B, VA is the molar volume of solute A at its boiling point under normal conditions,
ηB is the substance viscosity and T is the temperature. According to the formulas above, for
a certain drug solution at a certain period and temperature, the amount of drug released
depends on the contact area and drug concentration gradient. In this microfluidic/chitosan
device, the contact area is controlled by the porosities of chitosan discs. The drug concen-
tration gradient can be adjusted flexibly by drug dosage and the proportion of solution
and nanoparticles.

3.2. Minocycline Release Performance

In order to control the release velocity, chitosan films with various porosities were
synthesized and cut into discs. Chitosan solution was slowly poured into a polytetrafluo-
roethylene mold at room temperature to obtain an even liquid film. Then, the liquid film
was pre-heated at 45 ◦C for 2 h (Figure 3a)/1 h (Figure 3b)/0.5 h (Figure 3c) for dry phase
separation, before immersion into the sodium hydroxide solution for wet phase separation.
Subsequently, the obtained chitosan film was washed repeatedly with the distilled water
until the pH value was neutral. Based on different operation parameters, three types of
chitosan films were synthesized and punched into discs, whose diameters were 1.5 mm. As
shown in Figure 3, the size and total area of the pores on disc C’s surface were smaller than
that on A and B. In addition, the internal structure of the disc became more complicated as
the pore size decreased. In summary, the disc C can minimize the contact area between the
embedded reservoir and external PBS.
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Figure 3. Images of chitosan discs using a scanning electron microscope (SEM). (a) SEM image of
chitosan disc A, left for 2 h for dry phase separation. (b) SEM image of chitosan disc B, left for 1 h for
dry phase separation. (c) SEM image of chitosan disc C, left for 0.5 h for dry phase separation.

The three types of chitosan discs were then placed into microfluidic/chitosan devices.
After injected with the same volume of minocycline solution (0.25 mg/mL), the devices
were submerged into 10 mL PBS (pH 7.4). The cumulative release curves of different devices
were calculated and are shown in Figure 4. For the control with no chitosan discs, the
contact area was the whole drug outlet. The mass transfer efficiency reached the theoretical
maximum of this device. The total release was defined as 100% at 72 h. About 90% of
minocycline was released over 12 h. For the device with disc A, the release velocity was
similar to the control. The large holes induced an insufficient decrease in the contact area.
Thus, minocycline still burst-released within 12 h. For the device with disc B, the 12 h
release and 72 h release of minocycline were decreased to 73% and 88%, respectively. The
decrease in the 72 h release may be caused by a higher dead volume in the internal caves,
which were connected to the drug reservoir. About 12% minocycline remained in the
device and was not easily released. Thus, the relative release rate, the ratio of 12 h release
to 72 h release, is a more accurate parameter to measure sustained-release performance.
The relative release rates of devices with disc A and disc B were calculated as 89.9% and
83.0%, respectively. It indicated that disc B had an indistinctive effect on reducing the mass
transfer rate. For the device with disc C, the 12 h release and the 72 h release rates were
54.9% and 84.6%, respectively. The 72 h release showed that the dead volume of disc C was
similar to that of disc B. The 12 h release showed that the disc had the capability to control
the mass transfer rate by adjusting the contact area with limited drug retention. Thus,
the microfluidic/chitosan device with disc C was selected for further tests. The original
data of this experiment from the liquid chromatograph mass spectrometer are presented in
Table S1 in the Supplementary Materials.
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Figure 4. Cumulative release plot of minocycline in 72 h. The minocycline burst-released within 12 h
in the microfluidic/chitosan device with no discs/disc A/disc B. The minocycline demonstrated
sustained release over 48 h in the microfluidic/chitosan device with disc C. Error bars represent the
standard deviation of the mean.

Besides contact area, the mass transfer was also affected by the minocycline concen-
tration gradient. To simulate the metabolism of gum tissue, we refreshed 50% of the PBS
(5 mL) every 24 h. Minocycline residue in the dish before and after refresh was acquired
and standardized. As shown in Figure 5, when the minocycline solution (0.25 mg/mL) was
directly added to the dish without the microfluidic/chitosan device (control A, black belt),
the amount of minocycline residue was halved with each PBS refresh. On the other hand,
the amount of minocycline residue quickly increases due to the gradient shock caused
by the first PBS refresh when the minocycline solution (0.25 mg/mL) was added into the
device (Group A, blue belt). In the period of 24 h to 48 h, the minocycline release rate
decreased steeply due to insufficient minocycline reserves. After 4 refreshes, the 120 h
minocycline residue was only 8.9%. The standard deviation of minocycline residue at
different time points was calculated to quantify the release fluctuation. For the solution in
the dish and solution in the microfluidic/chitosan device, the SD values were 38.1% and
32.8%, respectively. The high SD value indicated that minocycline did not demonstrate
sustained release throughout the whole test period. To overcome the burst-release in the
initial 48 h, nanoparticles loaded with minocycline were selected (Periocline, Sunstar INC).
The release character of the nanoparticles (loaded with 80 μg minocycline) in the dish was
referred to as Control B, the red belt. Although it decreased the release rate in the early
stage, the dramatic decline in minocycline residue over 120 h led to a large SD of 29.2%.
Then, we injected a mixture of PBS and nanoparticles (loaded with 80 μg minocycline)
into the microfluidic/chitosan device. Confined by the nanoparticle and chitosan disc, it
was difficult for minocycline molecules to diffuse to the external environment in the initial
48 h. The residue did not reach its peak until 96 h (Group B, purple belt). The SD decrease
to 14.9% reflected a more stable release process. However, in order to avoid surgical site
infection (SSI), the local minocycline concentration should increase to the same value as
the bacteriostatic concentration as soon as possible. This means that the characteristics of
Group B do not match the clinical requirements. Finally, a mixture of minocycline solution
(0.25 mg/mL) and nanoparticles (loaded with 80 μg minocycline) was injected into the
microfluidic/chitosan device (Group C, green belt). In the initial 48 h, the minocycline
concentration rapidly increased to the same value as the bacteriostatic concentration. The
release in the initial period was dominated by the minocycline solution, compared to Group
B. From 48 h to 120 h, the minocycline residue increased after each PBS refresh, which is
different from the rapid decrease in Group A. It can be deduced that the release in this

129



Biosensors 2022, 12, 847

period was dominated by minocycline-loaded nanoparticles. At the same time, the SD was
only 12.7%, which indicated a stable drug release with less flush. In conclusion, the joint
loaded method of minocycline solution and nanoparticles in the microfluidic/chitosan
device showed its advantages of timeliness and stationarity. The original data of this
experiment from the liquid chromatograph mass spectrometer are presented in Table S2 in
the Supplementary Information.

Figure 5. Minocycline residue over 120 h. For the solution (black belt) in the dish, the minocycline
residue decreased rapidly. For the nanoparticles (red belt) in the dish and the solution in the
microfluidic/chitosan device (blue belt), the amount of minocycline residue in the initial period was
much higher than that in the terminal period. For the nanoparticles in the microfluidic/chitosan
device (purple belt), the amount of minocycline residue in the initial period was much lower than
that in the terminal period. When a mixture of the solution and the nanoparticles was loaded into
the microfluidic/chitosan device (green belt), the minocycline residue was stable throughout the
whole period.

3.3. Antibacterial Performance of the Microfluidic/Chitosan Device

The antibacterial efficiency of the microfluidic/chitosan device for GBR treatment was
evaluated by investigating the optical density (OD) values of the tested bacteria. Escherichia
coli, the most common strain, and Streptococcus mutans, which exists only in the oral
environment, were selected for the bacteriostatic tests. The concentration of minocycline
solution in the microfluidic/chitosan device was 0.25 mg/mL. The mass of the minocycline
loaded by the nanoparticles was 80 μg.

As shown in Figure 6a,b, after the cultivation of these bacteria with the PLA substrate
(blue stripe) for 24 h, the OD values were similar to those of the blank controls (red stripe).
As expected from reports [38,39], the PLA substrate had limited influence on antibacterial
activity in our experiments. When minocycline was introduced, the proliferation rate of
E. coli was inhibited by 98.1% ((1 − proliferation rate of device

proliferation rate of control ) × 100%). The SEM images of
surfaces of the PLA substrate and microfluidic/chitosan device are shown in Figure 6c and
Figure 6d, respectively. For S. mutans, the 24 h inhibition rate reached 96.0% in the presence
of the microfluidic/chitosan device. The SEM images of surfaces of the PLA substrate and
microfluidic/chitosan device are shown in Figure 6e and Figure 6f, respectively. These
results indicated that the bacteriostasis of the microfluidic/chitosan device can be mainly
attributed to minocycline. The antibacterial mechanisms of minocycline include inhibiting
protein synthesis by binding at the decoding center of the small subunit [40,41].
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Figure 6. Characterization of antibacterial activity. (a) The OD value of E. coli after 24 h. (b) The OD
value of S. mutans after 24 h. (c) SEM image of PLA substrate surface with E. coli. (d) SEM image of
microfluidic/chitosan device surface with E. coli. (e) SEM image of PLA substrate surface with S.
mutans. (f) SEM image of microfluidic/chitosan device surface with S. mutans.

3.4. Fibrogenic Performance of the Microfluidic/Chitosan Device

Figure 7a shows the CCK8 assay results of the fibroblasts seeded on the PLA surface
of the microfluidic/chitosan device after 1–5 days. With the same initial seeding density,
the OD values of the control and test groups were on a similar level on day 5. The blue line
represents the minocycline condition that was same as the condition used in the bacterial
test. Under this loading condition, bacterial proliferation was inhibited while the fibroblasts
grew normally, which demonstrated the antibacterial and non-cytotoxic feature of the
device. The red and green curves represent another two minocycline conditions with
lower (0.125 mg/mL for solution and 80 μg for nanoparticles) and higher (0.75 mg/mL
for solution and 160 μg for nanoparticles) minocycline loads, respectively. These similar
proliferation curves showed a wide range for minocycline load and flexibility in the use
of our device. As shown in the SEM results, the dense PLA layer could facilitate cell
attachment (Figure 7b). The results of live/dead cell staining using the AO/EB kit are
shown in Figure 7c–f. Both cells in the control and minocycline condition (0.25 mg/mL
for solution and 80 μg for nanoparticles) spread normally over 5 days and demonstrated
spindle morphology.

3.5. Osteogenic Performance of the Microfluidic/Chitosan Device

Figure 8a shows the CCK8 assay results of the osteoblasts seeded on the chitosan
surface of the microfluidic/chitosan device after 1–5 days. The cells rapidly proliferated
and presented an increasing trend, suggesting that the chitosan layer possessed good
biocompatibility (red curve). The blue curve and green curve represent the minocycline
conditions (0.25 mg/mL for solution and 80 μg for nanoparticles), which suggests that this
loading condition was also acceptable for osteoblasts. SEM micrographs of the chitosan
surface without osteoblasts are shown in Figure 8b. Based on our previous study, the
loose and porous morphology can promote osteoblast adhesion. SEM micrographs of
the chitosan surface with osteoblasts (red circles) are shown in Figure 8c. After 3 days of
seeding, the osteoblasts showed a round shape and were anchored to the chitosan surface
by discrete filopodia, as shown in Figure 8d, suggesting that the device had satisfactory
cytocompatibility.

131



Biosensors 2022, 12, 847

 

Figure 7. Characterization of fibrogenic performance. (a) The OD value of the control and minocycline
conditions across 5 days. (b) SEM image of PLA substrate surface with fibroblast. (c) Live/dead stain-
ing for control on day 0. (d) Live/dead staining for minocycline condition on day 0. (e) Live/dead
staining for control on day 5. (f) Live/dead staining for minocycline condition on day 5.

 

Figure 8. Characterization of osteogenic performance. (a) The OD value of the control and minocy-
cline conditions across 5 days. (b) SEM image of chitosan substrate surface without osteoblasts.
(c) SEM image of chitosan substrate surface with osteoblasts (30 μm scale). (d) SEM image of chitosan
substrate surface with osteoblasts (5 μm scale).
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4. Conclusions

The novel asymmetric antibacterial microfluidic/chitosan GBR device can be manu-
factured by PLA layer preparation, chitosan layer synthesis and further assembly. Porous
chitosan discs were used to adjust the contact area between the embedded reservoir and
external environment. The 12 h release and the 72 h release of the test group decreased to
54.9% and 84.6%, compared to the control group. When injecting a mixture of minocycline
solution and minocycline-loaded nanoparticles into the reservoir, the standard deviation
of minocycline release was only 12.7% after 5 days, which showed demonstrated sus-
tained release. The 24 h inhibition rate of E. coli and S. mutan reached 98.1% and 96.0%,
respectively. Both fibroblasts at the microfluidic side and osteoblasts at the chitosan side
were able to proliferate normally and showed excellent fibrogenic and osteogenic perfor-
mance. In conclusion, this microfluidic/chitosan device can efficiently prevent infection
and the introduction of microfluidics into the GBR technique show potential regarding
clinical requirements.

Supplementary Materials: The following supporting information can be downloaded at: https:
//www.mdpi.com/article/10.3390/bios12100847/s1, Table S1: The minocycline concentration from
liquid chromatography-mass spectrometry; Table S2: The minocycline concentration from liquid
chromatography-mass spectrometry.
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Abstract: Generating and maintaining the concentration dilutions of diffusible molecules in mi-
crochannels is critical for high-throughput chemical and biological analysis. Conventional serial
network microfluidic technologies can generate high orders of arbitrary concentrations by a prede-
fined microchannel network. However, a previous design requires a large occupancy area and is
unable to dynamically generate different profiles in the same chip, limiting its applications. This study
developed a microfluidic device enabling dynamic variations of both the concentration in the same
channel and the concentration distribution in multiple channels by adjusting the flow resistance using
programmable pneumatic microvalves. The key component (the pneumatic microvalve) allowed
dynamic adjustment of the concentration profile but occupied a tiny space. Additionally, a Matlab
program was developed to calculate the flow rates and flow resistance of various sections of the
device, which provided theoretical guidance for dimension design. In silico investigations were
conducted to evaluate the microvalve deformation with widths from 100 to 300 μm and membrane
thicknesses of 20 and 30 μm under the activation pressures between 0 and 2000 mbar. The flow
resistance of the deformed valve was studied both numerically and experimentally and an empirical
model for valve flow resistance with the form of Rh = aebP was proposed. Afterward, the fluid
flow in the valve region was characterized using Micro PIV to further demonstrate the adjustment
mechanism of the flow resistance. Then, the herringbone structures were employed for fast mixing to
allow both quick variation of concentration and minor space usage of the channel network. Finally,
an empirical formula-supported computational program was developed to provide the activation
pressures required for the specific concentration profile. Both linear (Ck = −0.2k + 1) and nonlinear

(Ck =
(

1√
10

)k
) concentration distribution in four channels were varied using the same device by

adjusting microvalves. The device demonstrated the capability to control the concentration profile
dynamically in a small space, offering superior application potentials in analytical chemistry, drug
screening, and cell biology research.

Keywords: concentration profile; dynamic; programmable; pneumatic microvalves; microfluidic;
fluid resistance

1. Introduction

Microfluidic technologies have been widely explored to create microenvironments
with a concentration profile due to their prodigious advantages in automation, integra-
tion, and control of samples with extremely tiny volumes [1–6]. Existing microfluidic
devices generate the concentration profile based on either passive self-diffusion [7–10],
or continuous-flow mixing networks [11–13] before the observation region. The passive
self-diffusion devices usually utilize diffusion across two parallelly laminar flows with
chemical concentration discrepancy to generate a local concentration gradient [14–16]. To
stabilize subjects, for example, cells in the middle observation chamber, the low-height
channel [17,18], the membrane [19] and gels [20,21] were employed to form the obstacles.
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The unique advantage of high integration makes it possible for microfluidics to contain an
array of chambers for high-through gradient analysis using limited samples [22–25]. How-
ever, the self-diffusion-based approach can only maintain a simple gradually decreasing
concentration between a chemical source and a sink channel.

For more complex concentration profiles, the device requires intricate channel design
such as proportional, pyramidal, and serial networks [26]. A proportional network controls
the volumetric proportions of two streams by adjusting the flow resistance ratios of the
channels before mixing [27,28]. However, the mixing ratio in a proportional network
approach is limited by the channel design, making it hard to achieve dynamic adjustment.
In contrast, the other two networks are more flexible. The pyramidal network repeats
the splitting, mixing, and recombination of fluid streams to generate the concentration
gradients. Since the concentrations are developed before the permutation combination, the
pyramidal multistage-dilution device can produce more diverse concentration profiles [29].
For example, the Christmas tree network was designed to generate fixed gradient profiles
by integrating multiple T-shaped mixing grades [11,30]. This approach has been extended
to generate parabola [31], inverse proportion, cube root function [32], exponent [33], and
linear [34] concentration variation across the width of the downstream observation channel.
The concentration profiles were able to be dynamically tuned by adjusting the inlet flow
rates [29,35]. Nevertheless, such networks are limited to a dilution range with few orders
of magnitude, which confines the applications for dose–response experiments or high-
throughput drug screening and optimization.

Comparably, the serial network, comprising a series of stepwise dilutions to mimic
conventional manual serial dilutions, can generate logarithmic concentrations [36–38].
However, multiple serial dilution steps usually result in long flow channels, which require
a large occupancy area. Additionally, the output concentrations profile highly relies on the
network design, the majority of applications that use such networks failed to dynamically
generate different profiles in the same chip. Since high order and dynamic adjustment are
the two major requirements of the chemical environment in comparative experiments [39],
there is a strong unmet need for modulating the arbitrary large range concentration profile
dynamically in a diversity of experimental conditions. Thus, it is important to design a
device empowering the serial network with dynamic regulation capability.

Since the pioneering report in 2000 [40], pneumatic microvalves have been extensively
explored due to the overwhelming advantages of high integration [41], precision [42], and
compatibility with PDMS-based devices [43]. They have been widely applied for multiple
purposes including on/off switching [44] or even hydrodynamic trap [43,45]. Their key
advantage is real-time adjustability. Moreover, manipulating microvalves can change the
local flow resistance. Consequently, integrating the serial network device and pneumatic
microvalves can be a promising approach for dynamically adjusting concentration profiles
by precisely regulating the mixing ratio.

This paper proposed a prototype microfluidic device to dynamically change the chem-
ical concentration in each of the four branch channels using programmed microvalves. The
influence of activation pressure on the valve deformation and the resulting flow resistance
was studied both experimentally and numerically. The bypass manometry measurement
technique and the empirical model for the flow resistance provided a deep understanding
of the irregular cross-section channel study in microfluidics. Then, a Matlab program
was developed to predict the required activation pressures for generating varied custom
dilution profiles. The herringbone microstructures were utilized to decrease the channel
length and the response time for dynamic concentration variation. Finally, both linear and
nonlinear concentration profiles were achieved in four branch channels and swapped by
adjusting the pressure combination on four valves. This paper demonstrated the dynamic
adjustment of the arbitrary concentration profile by active components in one microfluidic
platform. The advantage of the device in the programmable alteration of the concentration
will possess high application potentials in both chemical and biological analysis including
in vitro cell culture and cytotoxicity test, drug screening as well as immunoassay.
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2. Materials and Methods

2.1. Design and Fabrication

A microfluidic system (Figure 1A) was developed to dynamically regulate the chem-
ical concentration in multiple branch channels by varying the pressure applied to the
microvalves. The microfluidic system included a pressure controller, two syringe pumps,
and a microfluidic chip (Figure S1). The chip was composed of a gas layer, a membrane
layer, and a fluid layer from top to bottom (Figure 1B). There were four isolated gas chan-
nels (300 μm width and 50 μm depth) for individual control of the microvalves. The 20 μm
thick membrane was deformed to modulate the cross-section (thus flow resistance) of the
channel in the fluid layer after pressurization by the gas channels. The fluid layer had one
chemical inlet, four inlets for diluting liquid (e.g., DI water), and four identical branch
channels for concentrations generation. Specifically, there were five components: the inlet
region (0.2 mm wide and 3 mm long), the mixing region with herringbone microstructures
(0.2 mm wide and 20 mm long), the flow-shunting channel (0.2 mm wide and 20 mm long),
the microvalve region (50 μm width and 300 μm length, with different flow resistance
channels) and the observation region (1 mm width and 10 mm length).

 

Figure 1. The microfluidic system for dynamic generation of concentration profiles in four parallel
channels. (A) The schematic of the experimental platform consisting of a pressure controller, two sy-
ringe pumps, and a microfluidic. (B) The explosion view of the device with the gas, membrane, and
fluid layers. (C) An equivalent circuit of the chip with n branch channels.

The SU-8 molds were manufactured by standard lithography as described in the
literature [41,45–48]. Briefly, after 30-min dehydration at 150 ◦C, two wafers were spin-
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coated with SU-8 2025 (MicroChem, Newton, MA, USA) at 1670 rpm to form 50 μm thick
films. Following 3-min and 6-min baking at 65 and 95 ◦C, the wafers were exposed to UV
light (URE-2000, Chinese Academy of Sciences, Beijing, China) through the photomask
with the pattern of either gas channels or flow channels with a dose of 170 mJ/cm2. After
the post-exposure baking at 65 and 95 ◦C for 1 and 6 min, the wafer with the flow-channel
layer was spin-coated with SU-8 2025 at 1080 rpm to form a 75 μm thick film. After 3 min
of 65 ◦C pre-bake and 9 min of 95 ◦C soft bake, the second photoresist layer was exposed
to UV light with the dose of 210 mJ/cm2 through the mask with herringbone mixing
structures and baked at 65 and 95 ◦C for 2 and 7 min, respectively. Finally, all wafers with
photoresist films were developed in the SU-8 developer (MicroChem, Round Rock, TX,
USA) to produce the molds of the gas and fluid layers.

Sylgard® 184 elastomer base and curing agent (Dow Corning® Corporation, Midland,
TX, USA) were mixed with the weight ratio of 10:1 and completely degassed before being
cast onto the SU-8 molds and baked at 70 ◦C for 2 h. Then, the Sylgard® mixture with the
curing ratio of 25:1 (base: curing agent) was spin-coated on the silicon wafer at 3750 rpm to
form the 20 μm thick membrane before curing [45]. Afterward, the Polydimethylsiloxane
(PDMS) replicas of the gas and fluid layers were peeled off the wafer. The inlet and outlet
ports were manufactured using a puncher with an inner diameter of 0.75 mm. Three
layers were then irreversibly bonded together after 30-second oxidation using oxygen
plasma (PDC-002, Harrick Plasma, Ithaca, NY, USA). Finally, the inlet and outlet ports
were connected to the tubing through 21-gauge, flat-end syringe needles. Before each
experiment, the gas channel was filled with DI water to avoid activation pressure loss. To
ascertain precise dimensions, the cross-sections of both membrane and microchannels were
imaged using an inverted microscope (IX83 Olympus, Tokyo, Japan) equipped with a CCD
camera (C11440-36U, Hamamatsu, Hamamatsu, Japan).

2.2. Concentration Prediction

A MATLAB-based customer program (Program 1) was developed to calculate the flow
resistance in valve regions required for various concentration combinations in n (the branch
number, n ≥ 2) parallel branch channels. The flow resistance was employed to guide the
design of valve size. Figure 1C shows an equivalent circuit [26] of the chip. Lk,1 to Lk,3
and Rk,1 to Rk,3 represent the length as well as the flow resistance of the channel in front of
the mixing region, the serpentine mixing channels before the microvalve and the channel
between the kth microvalve and the (k + 1)th inlet, respectively. The flow resistance Rk,6 of
the branch channel consisted of the flow resistance of the region between bifurcation and
microvalve (Rk,4), the microvalve (Rk,v) and the observation regions (Rk,5).

To control the chip size, the dimensions of other components were fixed and listed in
Table S1. Each observation region had an identical dimension (1 mm width and 10 mm
length) and their flow resistance was referred to as Rk,5. The Lk,4 was determined as the
minimum length required for the chemical concentration profiles, including

√
10 times

decrease and linear decline with the slope of −0.2, in the four channels (from top to
bottom). To generate the corresponding concentration profiles, the flow rates directed to
the next mixing region (Qk,3) were controlled by the required Rk,v, which were obtained
by adjusting pneumatic valves. All detailed parameters in this design were listed in
Table S1 in the Supporting Information (SI).

The flow resistance of the valve regions was calculated based on the desired concen-
tration ratio. The concentration ratio between the kth observation channel and the chemical
inlet was represented by Ck. As the flow rates in all dilution inlets were set to be a constant
(Qin), the concentration after mixing (Ck) depends on the split flow (Qk,3), which was
calculated by Equation (1):

Qk,3 =
Qin·Ck+1
Ck − Ck+1

(1)

The flow rate (Qk,2) in the serpentine mixing region before the microvalve was the
sum of a corresponding inlet flow (Qin) and the flow (Qk−1,3) from the former shunt
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(Equation (S1)). The flow rate in the observation region (Qk,4) was the difference between
Qk,2 and Qk,3 (the flow to the next level) (Equation (S2)). The flow resistance in all non-valve
regions was calculated by Equation (S3).

The flow resistance in the branch channels (Rk,6) can be given by Equation (2):

Rk,6 =
Rk,3·Qk,3 + Rk+1,2·Qk+1,2 + Rk+1,6·Rk+1,6

Qk,6
(2)

Finally, the flow resistance in the microvalve region (Rk,v) can be calculated by Equation (3):

Rk,v = Rk,6 − Rk,4 − Rk,5 (3)

The Rk,v can provide guidance to microvalve dimension design and pressure manipu-
lation both before and after chip manufacturing.

2.3. Simulation of The Valve Deformation and Flow Resistance

The deflection of the PDMS membrane was simulated to study its influence on the
flow resistance across the valve using COMSOL Multiphysics 5.5 (COMSOL Inc.,Stockholm,
Sweden). Membrane deflection was firstly simulated using a three-dimensional (3D) solid
mechanics model (no fluid flow) consisting of a PDMS membrane with thicknesses (t) of 20
and 30 μm on a constant fluid channel (50 μm in both width and height) (see Figure S2A).
The material details of the model can be found in Table S2. Briefly, the four vertical faces of
the membrane were set to be fixed boundaries. A uniform pressure of 400 to 2000 mbar
was applied on the top surface of the membrane. As reported in our previous paper [45],
the contact boundaries between the vertical walls and the membrane were elastic support.

Based on the deflection results above, a second simulation was conducted to predict
the flow resistance of the channel under the bending membrane. In the 3D model, the
cross-section of semi-closed microchannels was built from the PDMS membrane deflection
simulation (see Figure S2B), when the valve widths (w) varied from 100 to 300 μm. The
300 μm long channels (50 μm in both height and width) were set in front and behind the
semi-closed microchannels. After applying a developed flow with a maximum velocity of
1.2 μm/s at the inlet of the whole channel, the flow rates and pressure drops in different
semi-closed microvalve regions were obtained from the simulation. The relevant flow
resistance (Rh) was calculated by Equation (4):

Rh = k
ΔP
Q

(4)

where ΔP is the pressure drop between the inlet and outlet of the microvalve region and
Q is the flow rate in the microchannel. k (see Equation (S6)) is the correction parameter to
correct the error between simulation and experimental results.

2.4. Flow Resistance Measurement

A microfluidic chip with one straight flow channel and three pneumatic valves was
employed to study the relationship between activation pressure and flow resistance. As
shown in Figure S3, the bottom layer of the chip contained a straight fluid channel (50 μm
width and 50 μm height) with two branches connecting a differential pressure sensor (DPS,
Honeywell, Morris Plains, NJ, USA). The top layer consisted of three gas channels with the
width of either 100, 200 or 300 μm and the height of 50 μm. The membrane between the gas
layer and the flow layer was 20 μm thick. After device fabrication, the tubing connecting
two ports of a pressure sensor was filled up with insulation oil (Yinglida, Shenzhen, China)
to insulate the inner components and transfer the hydraulic pressure in microchannels [46].
The sensor was mounted on a sensor evaluation kit (Honeywell, Morris Plains, NJ, USA)
with a microcontroller board (Arduino Uno Rev3, Somerville, MA, USA) to dynamically
read the hydraulic pressure of the channel.
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The DI water was injected into the flow channel at 1 μL/min (Q) using a syringe pump
(neMESYS 290N, CETONI, Korbussen, Germany). One of the three pneumatic valves was
activated by the pressure ranging from 0 to 2000 mbar with an increment of 400 mbar using
the pressure pump (Elveflow OB1 MK3+, Paris, France). The resulting pressure drop was
recorded by the DPS when the membrane valve deflected at various pressure. The pressure
drops (ΔP) were finally used for flow resistance calculation. The flow resistance of the
valve activated at different pressure could be simply calculated by Equation (5):

Rh =
ΔP
Q

(5)

2.5. Characterization of the Flow in Microvalves

The flow field under the valve region was characterized by the Micro-Particle Imaging
Velocimetry system (Micro-PIV). Briefly, the 200 nm-diameter fluorescent particles (Huizhi
Technology, Shanghai, China) were diluted in DI water with 0.1% Triton X-100. Under a
flow rate of 1.3 μL/min, the pneumatic valve was controlled by activation pressures ranging
from 0 to 2000 mbar with an increment of 400 mbar. A microscope (IX73, Olympus, Tokyo,
Japan) integrating the double-pulse Nd-YAG laser (Vlite-135, Beamtech, San Francisco,
CA, USA) was used for imaging. The excitation interval between the two lasers was
set to 20 ms and the nanoparticles were recorded by a CCD camera (630091 PowerView
4MP-HS camera, TSI, Shoreview, MN, USA). The non-activated valves were imaged on the
midplane, whereas the act-activated valves were imaged on the plane under the deformed
membrane. Finally, the local fluid velocity was calculated by analyzing the displacement of
the fluorescent particles.

2.6. Mixing Characterization

Standard herringbone microstructures were employed to enhance the mixing of fluids
from different inlets. The mixing capability was visualized by the intensity of the fluorescein
solution. The DI water and Fluorescein sodium (Energy Chemical Technology Co., Ltd.
Shanghai, China) diluted in DI water (0.05%) were injected into the chemical inlet at
2.16 μL/min using syringe pumps. Both the mixing and the observation regions were
imaged using a CCD camera with an exposure time of 10 ms. Finally, the fluorescence
intensities in the mixing region on the micro photos were analyzed using ImageJ [49].

2.7. Generation of Dynamic Concentration and Data Analysis

Dynamically varied concentration was generated in four parallel channels by changing
the pressure activating four pneumatic microvalves. Briefly, the fluorescein solution (0.05%)
was injected into the chemical inlet at 0.46 μL/min or 4 μL/min for the nonlinear or
linear profiles. The DI water was injected at 1 μL/min into the rest four inlets. The
predefined pressures (see Table S3) acquired using the codes developed in Section 3.1
were applied to four microvalves to generate either linear decline or nonlinear increase
concentration profiles. The fluorescence images in mixing regions were obtained via the
CCD camera when the fluid flow became stable after the adjustment of the valve deflection.
Finally, ImageJ was used to assess pixel intensity in the four mixing regions. Unless
stated otherwise, the error bars in all figures represent the standard deviation (SD) of
three replicates (N = 3).

3. Results and Discussion

3.1. Flow Resistance Calculation for Dynamic Concentration Profile

A Matlab program (Program 1) was developed based on the equivalent circuit principle
to calculate flow resistance in valve regions for distinct concentrations in the parallel branch
channels. Since a four-branch chip was applied to the proof-of-concept experiments,
the dimensions of four channels between bifurcation and microvalve (Lk,4, k = 1 to 4)
were determined by the program to achieve the minimum flow resistance required for
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the concentration profiles (Figure 2A). Basically, Lk,4 were determined as the minimum

length required for both linear (Ck = −0.2k + 1) and nonlinear (Ck =
(

1√
10

)k
) chemical

concentration profiles (Figure 2B). The corresponding flow resistance of these four valves is
shown in Figure 2C and Table S4.

Figure 2. The calculation of the flow resistance for the dynamic concentration generation. (A) The
schematic of the microchannel network in the flow layer. (B) The designed concentration in four
parallel channels if the concentration at the chemical inlet was 1 (n = 4). The concentration in each
channel was normalized to that in the first channel. (C) The flow resistance in the valve regions to
acquire the concentration ratios in Figure (B).

The flow resistance in the first channel was significantly higher than the others. For
example, to acquire a linearly declining concentration, the flow resistance in the first channel
was 75.1 × 1012 Pa·s/m3, which was 48.14 to 48.77 times that in the rest three channels.
Otherwise, most liquid might be directed to the first observation channel owing to the flow
resistance distribution of the whole chip. Similarly, for the nonlinear concentration decline,
the flow resistance in the first channels was 3.58 to 43.68 times that in the other channels.
Moreover, the flow resistance in the second and third channels was 7.87 and 12.19 times
bigger than in the last channel.

A similar calculation method and chip design had been applied for both linear, log-
arithmic or even six orders of magnitude concentration profiles generation in different
devices [12,50]. Nevertheless, each device can only provide a constant profile. Active
components such as pneumatic valves were introduced for dynamic control of ‘step-down’,
‘step-up’ or ‘gradient flip’ but the profiles were still constant [51]. The principle was the

143



Biosensors 2022, 12, 868

combination of two switchable pyramidal networks thus the changes were not arbitrary.
To the best of our knowledge, this paper is the first demonstration of dynamic adjust-
ment of the arbitrary concentration profile by active components in one serial network
microfluidic platform.

3.2. Simulation of The Valve Deformation and Flow Resistance

The key components of the concentration profile generator are the pneumatic mi-
crovalves, since they are employed to dynamically and independently tune the local flow
resistance of each branch channel. Therefore, it is critical to study the deformation of the
valve and the resulting flow resistance. The deflected membrane at 800 mbar is shown in
Figure 3A. The membrane deflection increased as the augment of the activation pressure
when t and w were 20 μm and 300 μm, respectively (Figure 3B). Although the membrane
profile was parabolic, the maximum deflection had a linear relationship with the applied
pressures as reported in our previous study [45]. The membrane deformed maximally for
5.8 μm (29.1 μm) and covered 9.2% (45.9%) of the channel cross-section when the activation
pressure was 400 mbar (2000 mbar). Importantly, higher pressure formed the sharper corner
between the vertical wall and the membrane (Figure 3A,B), which might greatly impact the
flow resistance.

Figure 3. Study of the deformation and resulting flow resistance of pneumatic microvalves. (A) A 3D
model of a microvalve. The width and the thickness of the membrane are represented by w and t,
respectively. Color legend indicates the surface stress. (B) The cross-sectional profile of the membrane
deflected at various pressure when w = 300 μm and t = 20 μm. (C) The flow resistance as a function
of activation pressure for a valve with different membrane thicknesses and fixed width (300 μm).
(D) The flow resistance as a function of activation pressure at different valve widths and a given
membrane thickness (20 μm).

The flow resistance was inversely related to the membrane thickness and proportional
to the activation pressure (see Figure 3C). The thicker membrane resulted in smaller flow
resistance at the same pressure. For instance, the resistance in the valve with a 20 μm
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thick membrane was 2.04 times that with a 30 μm-thick membrane when the pressure was
2000 mbar. That is because different deflections of the membrane with distinct thickness
resulted in the flow resistance difference [45]. Whereas for the given membrane, the larger
pressure might induce greater membrane deformation and significant raise in the flow
resistance [52]. Figure 3C indicates that when the pressure increased from 400 to 2000 mbar,
the resistance of the 20 μm-thick membrane dramatically rose by 109.4 times. This might
be related to the difference in the cross-sectional shape of the channel. The channel cross-
section with sharp edges (such as the triangle) normally has a higher flow resistance than
that with a smooth boundary (such as the circle). Since the higher activation pressure
resulted in a sharper corner between the membrane and channel walls, the flow resistance
increased rapidly when larger pressure was applied.

Meanwhile, the flow resistance was also proportional to valve width (Figure 3D).
Regardless of the valve widths, large pressure caused significant raise in flow resistance.
When the pressure increased from 400 to 2000 mbar, the flow resistance increased from
1.06 × 1012 (3.27 × 1012) to 8.1 × 1013 (3.61 × 1014) Pa·s/m3 when the width was 100 μm
(300 μm). When the width tripled from 100 to 300 μm, the resistance of the membrane
under 400 mbar was raised by 2.08 times, whereas it dramatically increased 3.45 times when
the pressure was 2000 mbar. Nevertheless, the flow resistance was not raised linearly with
valve width. The phenomenon could be explained by the Equation (6) of flow resistance
(Rh) for a rectangular channel in microfluidics [52]:

Rh =
12μL

(1 − 0.63h/w)·wh3 (6)

where μ is the dynamic viscosity of the fluid, L, w and h are the length, width and height of
the rectangular microchannel, respectively.

The valve width (w) in this paper was defined as the width of the gas channel, cor-
responding to the length of the liquid channel, which is L in Equation (6). Similarly, w in
this equation corresponds to the channel width in the valve region (wv, see Table S1). Since
the flow resistance is inversely proportional to the fourth power of height, the effect of
height reduction due to membrane deflection was more pronounced than the growth of
valve width. Simulation results indicated the deflection of a 20 μm-thick membrane under
a 2000 mbar pressure initially rose with the increase in the microvalve width (Figure S4A)
and then plateaued at approximately 150 μm (Figure S4B). As a result, the flow resistance
may increase following the activation pressure with a rising slope when the valve width
was smaller than 150 μm and be proportional to the valve width when it is bigger than
150 μm.

The influence of pressure and membrane dimension (width and thickness) on the
flow resistance was important for device design. It can be used to estimate the valve size
required to generate predefined concentration ratios (see Equation (S3)). Previous studies
calculated the flow resistance of the channel with the regular cross-section including circle,
ellipse, and triangle [52]. However, the flow resistance of the pneumatic valve cannot be
solved analytically, since the deflected membrane created a parabolic cross-section for fluid
flow. To facilitate the control of flow resistance, valves enabling wider resistance ranges
were preferred. Therefore, the valve with a 20 μm-thick membrane was chosen for the
concentration profile generation in the following experiments.

3.3. Flow Resistance Measurement

The flow resistance in the microvalve region increased nonlinearly as a function of the
activation pressure value. A custom system including a pressure sensor and a microfluidic
chip (Figure S3) was developed to measure the flow resistance of the microvalve activated
at various pressures. Figure 4A shows the deformations (top view) of the membranes in
the 200 μm-wide microvalves activated at either 400 or 1200 mbar. As indicated by the
shadow, the deflection under 1200 mbar was much larger than that under 400 mbar.
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Figure 4. Measuring flow resistance in microvalves at various pressures. (A) The images of the
deflecting membrane (20 μm thick) in a 200 μm long valve. (B) The flow resistance in the valve
regions at various pressures. (C) The flow resistance (of a 300 μm valve) acquired either from
experiment or simulation. The black line was a model describing the relationship between activation
pressure and resistance (goodness: 0.86). (D) Activation pressures required to generate linear and
nonlinear declining concentration profiles in four parallel channels (see Section 3.1).

Similar to the findings in Section 3.2 (Figure 3D), the flow resistance was proportional
to both the activation pressure and the valve width (Figure 4B). Under the same pressure,
the wider valve induced higher resistance. For the 100 μm valve, the flow resistance in-
creased 386 times from 9.3 × 1011 to 3.6 × 1014 Pa·s/m3, as the activation pressure rose from
400 to 2000 mbar. However, for the 300 μm valve, the flow resistance enhanced 344.4 times
from 1.83 × 1012 to 6.32 × 1014 Pa·s/m3, when the activation pressure varied in the same
range. This suggested shorter valves were preferable if a significantly higher adjustable
range of flow resistance was of interest. However, the standard deviation for shorter valves
(100 μm) was much larger than that for long valves, indicating that higher accuracy of flow
resistance was obtained for the long valve. Therefore, the 300 μm valves were used in the
following experiments to generate a desirable dynamic concentration profile.

The flow resistance in a 300 μm valve acquired by either simulation or experiment was
further compared in Figure 4C. Resistance from both methods had a difference of less than
57% for low activation pressure, whereas large errors (102% and 75%) occurred when 1600
and 2000 mbar were applied. This error may be related to the expansion of the gas channel,
which has not been considered in the simulation. Since the walls of the gas channel were
also formed by elastic PDMS, they may have a deformation under the pressure. Similar to
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the big wall collapse (8.6 μm for 2000 mbar) on the liquid channel (Figure 3A), there was
a horizontal collapse on the gas channel, which was already observable under 1200 mbar
pressure (Figure 4A). The pneumatic expansion of the gas channel under high pressure
(more than 1200 mbar) prolonged the valve width, which significantly improved the
experimental value of the flow resistance. An empirical model (R2 = 0.86) was fitted to
describe the relationship (Equation (7)) between the flow resistance (Rh) and the activation
pressure (P):

Rh = aebP (7)

where e is the Euler number, a (6 × 1011) and b (0.0033) are constants.
To the best of our knowledge, the flow resistance performance in the deforming mi-

crovalve with a non-regular cross-section has rarely been studied previously. Measurement
of the flow resistance is essential for accurate generation of the concentration, owing to the
error induced by the simplification in the simulation models and difficulty in the analytical
calculation of the flow resistance in channels with irregular cross-section. The bypass
manometry technique [53] was improved with a pressure sensor to accurately measure the
pressure drop in this study. The measurement technique and the empirical model of the
flow resistance and activation pressure may contribute to the microfluidic field.

Based on the model above, the required gas pressure for the desired concentration
profile could be estimated at any predefined flow resistance. Take a four-branch channel
chip as an example, the gas pressure on each microvalve for linear (Ck = −0.2k + 1) and non-

linear (Ck =
(

1√
10

)k
) concentration profiles were calculated by Program 2 (see Figure 4D).

Thus, the device integrated with active pneumatic microvalves can be altered to acquire
the varied concentration profiles only in one chip which can achieve a spatial concentration
dilution and minimize the manufactural error.

3.4. Characterization of The Flow in Microvalves

Micro-PIV was employed to measure the velocity under the 300 μm-width valve on the
device mentioned in Section 3.3 and analyze the influence of the deformed membrane on
flow resistance. When no pressure was applied to the valve, the velocity was uniform along
the whole channel (see Figure 5A top). Nevertheless, there was a high-speed region under
the membrane as the activation pressure on the valve increased from 400 to 1600 mbar
(see Figure 5A), which was caused by the parabolic profile of the cross-sectional area
(see Figure 3A). In addition, high-velocity regions expanded at higher activation pressure
values, indicating a flatter membrane surface under higher pressure.

The velocity along the channel center (velocity distribution along the dotted line in
Figure 5A) is shown in Figure 5B. Even though there was a low-speed layer on channel
sides caused by the wall effect, flow velocity was uniform along the channel center line
when no pressure was applied (see Figure 5B). However, under the activation pressure,
there was a peak of speed in the valve region. That is because the flow rate was constant
thus the local speed in the valve region, with a smaller cross-section, may be increased. In
addition, the midplane (the velocity plane of no-pressure condition) had the highest speed
and thus the no-pressured channel showed a higher speed in the no-valve region than that
under an activation pressure. As the activation pressure increased from 400 to 1600 mbar,
the peak velocity value rose from 10.96 to 23.36 mm/s.
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Figure 5. Characterization of flow in the valve zone. (A) The flow velocity contour in the valve region
when the activation pressure was increased from 0 mbar to 1600 mbar. The black box represents
the position of the valve. (B) Velocity distribution along the channel center under distinct activation
pressures. (C) The mean velocity before, in and after the valve area at different activation pressures.

The comparison of the flow velocity between the valve region and other regions of the
same channel is shown in Figure 5C. The velocity in the valve region was proportional to
the activation pressure whereas there was an inverse relationship between the two factors
for the channels outside of the valve when activation pressure was smaller than 1600 mbar.
The mean velocity in the valve dramatically rose from 9.2 to 22.0 mm/s (Figure 5C) as the
activation pressure increased from 400 to 1600 mbar. By contrast, the velocities outside of
the valve were even smaller than the midplane velocity when the valves were not activated.
As the 1600 mbar pressure was applied, the membrane was deformed to about 23 μm (see
Figure 3B), which is around the midplane of the channel. As a consequence, the velocities
outside the valve in this plane were similar to that at the midplane in no-pressure conditions.

The experimental studies of flow fields when activation pressure was applied further
explained the mechanism of flow resistance control. On the one hand, the deformed
pneumatic valve may enhance the local speed as the flow rate was constant. On the other
hand, the deformed valve was demonstrated to be less influential for the flow velocity
profile out of the valve region. As a consequence, the activation pressure can only adjust
the cross-section in the valve region and affect the local speed, without changing the flow
rate in other regions. Since the flow variation outside the valve region was independent of
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activation pressure, it is indicated the addition of the valves may not affect fluid flow in
this concentration profile generation device.

3.5. Mixing Characterization

To increase the throughput of mixed liquid, a higher inlet flow rate was required. How-
ever, at a high flow rate, the fluorescein was hardly mixed in the observation region, since
the pure diffusion-based mixing required much longer channels. Therefore, herringbone
structures were used to enhance mixing at a high inlet flow rate. In Figure 6A, the clear dark
region in the vicinity of the fluorescence suggested uneven mixing between the dye and
water at 15 mm away from the water-fluorescence junction when herringbone structures
were absent. In contrast, the dye in the channel with herringbone structures was mixed
only 5 mm away from the junction (Figure 6B), suggesting the efficiency of herringbone
structures in mixing both liquids. The mixing characterization of the herringbone structures
was analyzed quantitatively by measuring fluorescence intensity in the microchannel. In
particular, the mixing efficiency (insets in Figure 6C,D) was calculated by dividing the
mean intensity of the region from position 30 to 60 μm by 0.5. Figure 6C,D showed the
fluorescence intensity on the lines (across the channel) 0, 5, 10 and 15 mm away from the
merging point of the DI water and fluorescein in devices either with or without herringbone
structures. In devices without herringbones (Figure 6C) there was only a 28.9% mixing after
flowing for 15 mm. However, in devices with herringbone structures, the mixing efficiency
reached 51.6% after 5 mm flowing and achieved 99.0% at the position 15 mm away from
the mixing junction (see Figure 6D). The results indicated that the herringbone structures
well enhanced the mixing in microchannel.

 

Figure 6. The mixing efficiency study. The images of the channels at different locations after dye
and water were injected into devices (A) without and (B) with herringbone microstructures. The
normalized fluorescence intensity based on the highest value of the fluorescent across the channels
for the mixing characterization after flowing various distances in devices (C) without and (D) with
herringbone microstructures. (Insets) Mixing efficiency after flowing varied distances in devices
(C) without and (D) with herringbone microstructures. Error bars represent the standard error of the
mean of five replicates.
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The performance of liquid mixing depends on both diffusion and convection. Most
microfluidic devices generating concentration profiles employed pure diffusion across
laminar flows. Therefore, the devices required long channels [54] and a low flow rate [36]
to obtain steady concentration profiles. Plenty of technologies such as magnetic [55] or
acoustic [56] have been exploited to enhance mixing efficiency [57,58]. Compared with
complex active components, passive mixing can simplify both the device structure and the
operation process. For instance, cylinder microstructures array [59] has been demonstrated
to effectively enhance the mixing, utilizing just a 3 cm-length channel. Compared with
the method of controlling fluid transformation sequences by cylinder microstructures,
mixing with herringbone-inspired microstructures was able to overcome the diffusion
limit in co-laminar microfluidic devices [60]. Previous evidence suggested that the scaling
regime transited from a purely laminar regime to an entrance region turbulent regime with
increasing Reynolds numbers [60]. Therefore, the herringbone microstructures overcome
the limitation of pure diffusion and reduce the channel length for mixing [61]. As proved
in Figure 6B, the herringbone microstructures induced the effective mixing in a 15 mm-
length channel, which not only saved space but increased response speed for dynamic
concentration variation.

3.6. Generation of Dynamic Concentration

The device’s capabilities in generating dynamically varying concentrations were

validated by creating both linear (Ck = −0.2k + 1) and nonlinear decline (Ck =
(

1√
10

)k
)

concentration profiles. Figure 7A and B showed the fluorescent images of four observation
zones 2 min after the activation of four valves (see Table S3 for the pressure combinations).
The uniform fluorescence intensity demonstrated thorough and quick mixing since the
images were taken only 2 min after valve activation. When the valve states combinations
were swapped, the normalized concentration in four channels quickly varied between
linear and nonlinear decline as shown in Figure 7C,D. Moreover, there was less than
26.6% difference in the normalized concentration acquired between the experiment and the
desired value for both the nonlinear and the linear cases, except no signal was detected in
Channel 4 for nonlinear profile, which may be because of the excitation limitation of the
dye. The errors might be related to manufacturing accuracy or flow resistance calculation,
as some structures such as herringbone parts were ignored in the calculation.

However, these results suggested the ability of the proposed microfluidic networks
in generating multiple concentration profiles in different channels. Limited by the serial
dilution principle, it is difficult to generate the peak [11] or step-up [51] profiles such as those
generated in the pyramidal network. Even though it is possible to acquire such profiles
by switching some downstream dilution inlets to chemical inlets, the step-down profile
demonstrated in this paper is enough for arbitrary concentration-dependent experiments.
Previous studies generated temporal or spatial concentration profiles based on the serial
dilution network [12]. However, long channels [37] or channels with low depth [50] were
applied to provide a high-flow resistance network, which increased either the occupancy
area or fabrication complexity. The pneumatic valves in this paper were able to generate
a large range of flow resistance (variation in 594 times) within a small space (Section 3.3),
which highly decreased the occupancy area. On the other hand, previous devices lack
flexibility in the concentration variation, which is critical for comparative studies such as
cell response experiments. Multiple components have been introduced in microfluidics for
the fluid flow variation [62–65]. For concentration profile adjustment purposes, the active
components include electronic ion pump [66], finger actuation button [67] and pinch [68]
or pneumatic valve [69]. Among them, the pneumatic valve is ideal for dynamic control in
microfluidics due to the excellence of accuracy, response time and integration [40,45,48]. In
this paper, the addition of pneumatic enables the dynamic adjustment of flow resistance. As
the result, the device was able to generate programmable arbitrary concentration profiles.
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Figure 7. Generation of dynamic concentration using the microfluidic device. (A) Fluorescence
images of the observation region with (A) linear and (B) nonlinear decline of concentration. The
(C) linear or (D) nonlinear decline profile of the normalized concentration in four parallel channels.
At least three different microchips were prepared and examined for each experimental condition.

4. Conclusions

This paper reports a microfluidic platform that can dynamically generate the concen-
tration profile in four channels by adjusting the pneumatic microvalves. A program was
developed to provide the theoretical guidance for the design in dimension determination.
Simulation results showed the deformation profile with varied activation pressures and
valve dimensions. Afterwards, flow resistance under different conditions was studied by
both numerical and experimental methods. An exponential rising tendency of flow resis-
tance increasing by activation pressure was found. Moreover, local flow characterization
in the valve region further demonstrated the flow resistance mechanism. Supported by
the empirical formula from the experimental flow resistance study above, a computational
program for predicting the activation pressure adjustment was developed to guide the
concentration profile generator manipulation. To enhance the mixing efficiency, the her-
ringbone structures were introduced and proved an efficient mixing at a 15 mm distance.
Finally, a microfluidic device was demonstrated by generating both linear (Ck = −0.2k + 1)

and nonlinear (Ck =
(

1√
10

)k
) concentration profiles in the same chip with less than 26.6% er-

ror. In comparison to previous devices, the pneumatic valves are simple, reliable and easy
to integrate and operate. The platform in this paper will be of great application potential
in analytical chemistry, drug screening and cell biology research requiring concentration
profile control.

151



Biosensors 2022, 12, 868

Supplementary Materials: The following supporting information can be downloaded at: https://
www.mdpi.com/article/10.3390/bios12100868/s1, Figure S1: the photo of the experimental platform;
Figure S2: the 3D models in the numerical study; Figure S3: the schematic of the microfluidic
chip for flow resistance measurement; Figure S4: simulation results of the deflection of membranes
with distinct valve widths; Table S1: details for four-branch design; Table S2: the parameters in
simulation models; Table S3: the gas pressures required for different concentration profiles; Table S4:
the flow resistance of microvalves for different concentration profiles; Program_1_Mixerdesign.m;
Program_2_Pressurecalculator.m.
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Abstract: Surface-enhanced Raman scattering (SERS) detection requires dense hotspots and a uniform
distribution of analytes to obtain a stable signal with good repeatability. However, due to the
coffee-ring effect on the hydrophilic substrate, and the difficulty of droplet manipulation on the
superhydrophobic substrate, few substrates can ensure that the analytes are evenly distributed. In this
work, we develop a method that can efficiently enrich plasmonic hotspots for SERS measurement on
the superhydrophobic concave dome array (SCDA). The SCDA is formed by spraying hydrophobic
silica nanoparticles onto a polydimethylsiloxane (PDMS) slab with a concave dome array that can
physically confine the droplets and overcome the coffee-ring effect. During droplet evaporation, the
SCDA is driven by a horizontal spinner, and the droplets spin on the SCDA, enabling the plasmonic
nanoparticles to become closely packed to form the SERS hotspots. The limit of detection (LOD) of
the dynamic-enriched SERS hotspots for crystal violet and methylene blue can reach up to 10−11 M.
Moreover, the LOD for melamine in milk can reach 5 × 10−7 M, which is lower than the safety
threshold defined by the Food and Drug Administration (FDA). Based on this SERS platform, an
effective, low-cost, and simple method for SERS detection in analytical chemistry and food safety is
highly expected.

Keywords: droplet manipulation; SERS; coffee-ring effect; biosensing

1. Introduction

When a droplet of suspension situated on a hydrophilic surface with a low contact
angle evaporates, its suspended matter will predominately deposit at the outer boundary;
this process is called the coffee-ring effect [1]. During evaporation, the droplet features not
only an air–water–solid interface, forming a spherical cap, but also an internal Marangoni
flow due to small temperature gradients, thus bringing the suspended matter (which is
usually composed of small particles) to the outer ring [2]. A natural consequence is that the
suspended particles will be highly concentrated along the edge of the original droplet, but
loosely distributed at the center. The coffee-ring effect occurs in a wide variety of particles,
ranging from large colloids [3,4] to nanoparticles [5]. In many applications based on sample
preparation through droplet evaporation, the uneven particle distribution will affect the
quality of the measurement. For example, in surface-enhanced Raman scattering (SERS)
detection, strong uniformity of the Raman signal occurs [6].

One of the effective approaches to suppress the coffee-ring effect is to replace the
hydrophilic surface with a superhydrophobic surface on which a droplet with a high
contact angle will form [7]. With the advancement of fabrication technologies, such as pho-
tolithography [8], e-beam lithography [9], and stereolithography [10], some nature-inspired
superhydrophobic micro/nanostructures have been developed for SERS detection [11,12].
However, these technologies rely on bulky and expensive facilities, which somewhat limits
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their accessibility. As an alternative approach, electrochemical deposition can deposit
metal nanostructures onto a specific substrate to create superhydrophobic surface [13].
In addition, the SERS substrate with plasmonic nanostructures created using the elec-
trochemical deposition method has high stability and enhances SERS signal [14]. The
order of the plasmonic nanostructures is highly dependent of the precise control of the
chemical reaction.

Several smart methods used to prepare the superhydrophobic surfaces are reported
that can enrich the mixture of the plasmonic nanoparticles and analytes. For example, a
nanotexture surface infiltrated with a perfluorinated liquid to form the slippery liquid-
infused porous surface (SLIPS) can concentrate the analytes and plasmonic particles for
attomole-level detection [15]. Any disturbance will cause the droplets to slip away from
the surface due to the superhydrophobicity. Therefore, a superhydrophobic and mag-
netically functionalized surface was developed by spraying silica nanoparticles onto the
surface of a magnetorheological elastomer, where several droplets can steadily stand in the
magnetically-induced deformation area [16,17]. Unfortunately, the functionalized surface is
unable to process abundant droplets simultaneously due to the interference of the magnets.
Therefore, it is still challenging to develop a facile and efficient way to achieve multi-droplet
manipulation to prepare the scalable SERS hotspots for multiplexing detection.

Here, we propose a superhydrophobic concave dome array (SCDA) for the dynamic
enrichment of plasmonic nanoparticles. Each droplet with plasmonic nanoparticles can
stay in each concave dome during the spontaneous evaporative process to generate the
SERS hotspots. Unlike the plain superhydrophobic surface that allows droplets to slip from
the substrate, the concave dome can physically confine the droplets. Therefore, multiple
SERS hotspots can be prepared simultaneously on the same substrate. Similar to the
commercial multi-well Petri dish, this SERS array is able to realize multi-concentration and
multi-target detection.

2. Materials and Methodology

2.1. Preparation of SCDA

Figure 1a,b describes the preparation process of SCDA. First, the polydimethylsiloxane
(PDMS) concave dome array was replicated from the 3D-printed convex dome array, as
shown in Figure 1a. Specifically, a mold with an overall size of 50 mm × 50 mm and a
6 × 6 convex dome array on the surface was printed with a 3D printer. The convex dome
was designed as a semi-sphere with a radius of 3.5 mm and a distance between domes of
8 mm. The printed mold will be treated with the release agent. The PDMS gel and curing
agent were mixed evenly with the mass ratio of 10:1. After the bubbles in the mixed gel
were removed under vacuum, the mixed gel was poured onto the 3D-printed convex dome
array. To avoid the deformation of 3D-printed mold, the mixture gel was cured at 50 ◦C for
10 h. After the PDMS was fully cured, a concave dome array was formed after peeling off.

Next, a superhydrophobic surface was prepared by spraying silica nanoparticle sus-
pension, as shown in Figure 1b. The silica nanoparticle suspension was prepared by mixing
0.8 g hydrophobic nanosilica, 0.45 g PDMS mixture, and 40 mL cyclohexane, and was then
sealed to avoid cyclohexane evaporation. To avoid the agglomeration of the nanosilica, the
silica nanoparticle suspension was put into the ultrasonic oscillator for 30 min (frequency
is 40 kHz). Significantly, the temperature should be kept below 30 ◦C to avoid partial
solidification of PDMS in the solution. Subsequently, the suspension was evenly mixed
by magnetic stirring for 30 min (at a speed of 700 revolutions per minute (RPM)). After
complete mixing, 10 mL mixed suspension was transferred into an airbrush cup, and then
the suspension was evenly sprayed onto the surface of the concave PDMS substrate. During
spraying, the airbrush was connected to the air compressor under a constant pressure of
4 bar, and the distance between the nozzle (diameter of 0.3 mm) and the concave dome ar-
ray was kept at 15 cm. The working principle of suspension is that cyclohexane enables the
concave dome array to swell, and hydrophobic silica nanoparticles adhere to the swollen
surface; PDMS allows the hydrophobic silica nanoparticles to firmly adhere to the surface
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of concave dome array. After spraying, the concave dome array was horizontally placed
on a hotplate at 150 ◦C for 40 min to enhance the evaporation of cyclohexane and cure the
PDMS. The excess silica nanoparticles on the SCDA surface were rinsed with distilled (DI)
water to obtain a clean substrate.

 

Figure 1. (a) Schematic diagram of concave dome array preparation; (b) schematic diagram of super-
hydrophobic surface coating; (c) schematic diagram of working mechanism of dynamic enrichment
on SCDA; (d) schematic diagram of surface-enhanced Raman scattering (SERS) detection on SCDA;
(e) numerical simulation of electric field intensity of Ag nanoparticles with different gap sizes in
three-dimensional space.

2.2. Working Mechanism

Figure 1c shows the working principle of enriching plasmonic nanoparticles and
analytes by rotating the SCDA. Because of the properties of the high static water contact
angle and concave dome structure of the SCDA, droplets can easily roll in the concave
dome, but will not leave the substrate due to the concave structure (Videos S1 and S2).
When a droplet is dropped into one of the wells of the SCDA, the plasmonic nanoparticles
in the droplet can be fully and evenly mixed with the analytes through periodic rotation
(Video S3). During the evaporation process, nanoparticles follow the movement of the
droplets, and are not easy to deposit at the contact line between the droplet and the substrate
so as to effectively suppress the coffee-ring effect. [18]. Therefore, the nanoparticles can
be concentrated into a small area to enhance the Raman signal. As the droplet volume
gradually decreases during the evaporative process (Figure S1), the microdroplets begin to
adhere to SCDA, and cannot rotate freely and dynamically. At this time, three-dimensional
SERS hotspots will be formed inside the microdroplet. At the same time, the analytes are
actively captured in small gaps (hotspots) to further improve the Raman signal, as shown
in Figure 1d [19,20].

2.3. Materials

PDMS gel and curing agent were purchased from Dow Corning (Midland, USA).
Hydrophobic silica nanoparticles with an average size of 250 nm were purchased from
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Macklin (Shanghai, China), and used to make superhydrophobic coating suspension. The
Ag colloid was from Beijing Biotyscience company (Beijing, China), with a diameter of
60 nm and concentration of 0.1 mg/mL. Crystal violet (CV), methylene blue (MB), and
melamine were all purchased from Macklin (Shanghai, China) to test the SERS detection
on the SCDA.

2.4. Characterization and Experimental Setup

The images of enriched nanoparticles, after the evaporation of droplets, on different
substrates and different enrichment modes were analyzed using a high-resolution field
emission scanning electron microscope (SEM) (ZEISS SUPRA® 55, Carl Zeiss, Oberkochen,
Germany). CA values were obtained with an optical contact angle measuring instrument
(Theta, Biolin scientific, Gothenburg, Sweden). An optical magnifier (HAG0950, SHOCREX,
Shenzhen, China) was used to record the evaporative process of the droplets and observe
the laser point. A horizontal rotator (NSP-300, NuoMi, Suzhou, China) provided the
periodic rotation for droplet spinning on the SCDA.

The Raman signal detection system included a Raman spectrometer (iHR550, Horiba,
Kyoto, Japan), two long-pass filters (RL-532nm, Shanghai-optics, Nanjing, China), a laser
(532 nm, Ventus, Konstanz, Germany), a lens with a focal length of 2 mm, and an objective
lens of 20× magnification and numerical aperture (NA) of 0.4. The diameter of detection
spot was about 1.6 μm. The exposure time was 5 s, and the laser power was about 12 mW.

As shown in Figure S2, the side view is similar to the diagram in Figure 1d. The SCDA
was placed under the objective lens of 20× magnification. The top view illustrates the
collection optical path of the Raman signal. A filter was placed in the collection optical
path to filter Rayleigh light, and then a 10× objective lens (NA is 0.3) was used to focus the
Raman signal to the optical fiber port to collect the Raman signal directly.

2.5. Numerical Simulation for SERS

To verify that evaporation of droplets on SCDA can form effective SERS hotspots, the
wave optical module of COMSOL was used for numerical simulation of electric field distri-
bution of Ag particle aggregation, with the particle gap either at 2 nm or 6 nm. Figure 1e
shows the electric field intensity of such configurations, with randomly distributed Ag
particles in three-dimensional space, where nine Ag particles all with a diameter of 60 nm
are illuminated by the 532 nm optical plane wave. In the simulation model, a sphere
domain with a diameter of 400 nm was set as the water, and an outer layer of 800 nm
thickness was set as the perfect match layer (PML).

3. Results and Discussion

3.1. Investigation of SCDA

To verify the superhydrophobicity of SCDA, we measured the droplet contact angle on
the plane substrate coated with the silica suspension, and compared with contact angle on
the glass surface and PDMS surface. Since our optical contact angle measuring instrument
cannot measure the contact angle in the concave dome, the data for the contact angle on
the superhydrophobic concave dome are not available. Figure 2a shows an optical image
of 10 μL pure water on these three types of surfaces. The superhydrophobic surface shows
the average contact angle of 152.8◦, the PDMS surface 100.7◦, and the glass surface 57◦ (all
from multiple measurements).
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Figure 2. (a) Optical images of the 10 μL pure water droplet on different substrates showing dif-
ferent contact angles; (b) optical images and time-dependent curve showing the volume change of
the droplet, containing 13 μL droplet during rotary evaporation at a spinning speed of 120 RPM;
(c) optical images, related histogram, and SERS signals for the evaporation-ended droplet on glass
and on SCDA spun at different speeds; (d) SEM images of droplets vaporized on different substrates
and at different locations.

To further study the enrichment capability during droplet dynamic evaporation on
the SCDA, we recorded the optical images displaying the diameter change of the droplets
(13 μL), as shown in Figure 2b. The SCDA was spun at a speed of 120 RPM. To speed up the
evaporation, we illuminated the SCDA with an incandescent lamp. Over time, the volume
of the droplet gradually decreased; finally, the droplet was concentrated into a small area
of about 0.17 mm in diameter.

3.2. Comparison of the Deposition Patterns and SERS Performance Based on Different Enrichment
Modes

To study the deposition property and SERS performance of droplets under different
spinning speeds applied to the SCDA, we consistently started with the droplet composed
of 10 μL CV solution (10−8 M) and 3 μL Ag colloid. As shown in Figure 2c, the smallest
enrichment area can be reached when the spinning speed is set as high as 120 RPM. This
phenomenon may be attributed to the fact that the higher spinning speed reduces the
contact time between the moving droplet and the substrate, thus effectively reducing the
droplet adhesion with the substrate surface [21]. Previous studies found that there is a
vortex zone above the contact line for stationary evaporating droplets, where most of the
nanoparticles are deposited [18]. For moving droplets, there is a vortex zone that accounts
for most of the droplets. The interior nanoparticles rotate with the vortex zone, so the
nanoparticles are more concentrated and enriched on the substrate during the evaporative
process. In the experiment, when the spinning speed exceeded 120 RPM, the area of the
final deposition of the droplet was not further reduced. The reason for this may be that
when the speed exceeds 120 RPM, the droplets do not follow the movement of the SCDA,
and are unable to rotate synchronously with the SCDA. Therefore, the higher speed cannot
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further concentrate the plasmonic nanoparticles into a smaller area. The spinning speed
of 120 RPM was therefore used here. Furthermore, as expected, the coffee-ring effect was
evident when the droplets evaporated on the glass sheet.

In the next step, the SERS measurements were performed on the prepared samples
due to the dynamic enrichment processes of the droplets. In Figure 2c, the SERS signals
corresponding to the droplets undergoing different enrichment processes are presented.
The SERS signal for the dynamic enrichment on the SCDA was the strongest, followed
by, several times lower, the signal for the static enrichment on the SCDA; those signals
measured from the glass plate (one from center and the other from the edge) were both
much lower. The CV molecules usually show the typical Raman peaks at 807 cm−1 and
915 cm−1 (both from the symmetric stretch of the dimethylamino bond C-N-C), 1182 cm−1

(from the stretching vibration of C-N), 1373 cm−1 (from the stretching vibration of C=C),
and 1624 cm−1 (from the stretching vibration of C=C) [22]. Here, we quantitatively studied
the Raman peak at 915 cm−1, and straightforward calculation revealed the following: the
SERS signal for the SCDA dynamic enrichment was 2.2 times that for the SCDA static
enrichment, 7.7 times that for the edge of the glass sheet, and 39.7 times that for the center
of the glass sheet.

We further continued on the estimation of the Raman enhancement factor for the
SCDA dynamic enrichment case, based on the following formula [23]:

EF =
ISERS/CSERS

IRaman/CRaman
(1)

where ISERS and IRaman represent the Raman intensity, respectively, for the SERS measure-
ment and the conventional Raman measurement (without Ag nanoparticles), and CSERS
and CRaman, respectively, represent the corresponding solution concentrations of analyte
by plugging in the values CSERS = 10−8 M and CRaman = 10−3 M (refer to Figure S3); we
subsequently obtained EF = 3.55 × 105.

As the final step, we took the SEM images for all the above samples, as shown in
Figure 2d. Each of the large images were taken at the 5000 magnification, while each inlet
small images were taken at 30,000 magnification. For the glass sheet, there were obviously
more Ag nanoparticles at the edge compared to the center; for the static enrichment case, the
Ag nanoparticles were still denser at the edge, but the contrast was much weaker. Finally,
for the dynamic enrichment case, the Ag nanoparticles at both the edge and the center
appear closely packed, indicating the resulting even distribution of the Ag nanoparticles.

3.3. SERS Performance Study of the SCDA

To further study the limit of detection (LOD) and the signal uniformity of the dynamic
enrichment mode of SCDA, we used CV and MB, respectively, as the probe molecules to
prepare multiple detection hotspots with different concentrations of these two molecules
on the same SCDA. Figure 3a,e shows the SERS signals for different molar concentrations,
ranging from 10−7 M to 10−11 M, while Figure 3c,g shows the SERS signals for 20 randomly
chosen positions when the molar concentration is at 10−8 M.

For the CV molecules, several Raman characteristic peaks can still be discerned even
for concentrations as low as 10−11 M (Figure 3a). In Figure 3b, we further plotted the data
of the Raman peak intensity versus the molecular concentration for the Raman peaks at
915 cm−1 and 1624 cm−1, respectively. Apparently, the intensity points can be separated
into two linearly fitting regions, and at the higher concentration region, the slope is much
larger. The resulting linear fits for the 915 cm−1 peak are as follows: for the higher
concentration region, Y915cm

−1 = 11823·lgCCV + 108157, and for the lower concentration
region, Y915cm

−1 = 1078·lgCCV + 12138, with correlation coefficients (R2) of 0.987 and 0.953,
respectively. These results imply that SCDA is suitable for quantitative analysis at high
concentrations, and qualitative analysis at low concentrations.
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Figure 3. (a) SERS signals from dynamically enriching 13 μL droplet (10 μL CV solution and 3 μL
Ag colloid) with different concentrations; (b) the data for SERS intensity peaks at 915 cm−1 and
1624 cm−1 versus the CV concentration; (c) SERS signals of 10−8 M CV/AgNPs from 20 random
positions based on SCDA dynamic enrichment mode; (d) the data for CV SERS intensity at 915 cm−1

and 1624 cm−1 from 20 random positions; (e) SERS signals from dynamically enriching 13 μL droplet
(10 μL MB solution and 3 μL Ag colloid) with different concentrations; (f) the data for SERS intensity
peaks at 1627 cm−1 versus the MB concentration; (g) SERS signals of 10−8 M MB/AgNPs from
20 random positions based on SCDA dynamic enrichment mode; (h) the data for MB SERS intensity
at 1627 cm−1 from 20 random positions.

The 20 random points of the SERS signals show similar spectral structures and signal
strengths, demonstrating the signal uniformity of our method (Figure 3c). The detailed
examination of the intensity points for the Raman peak at 915 cm−1 and at 1624 cm−1 are
plotted in Figure 3d. The statistical calculation conducted on these intensity points revealed
that the relative standard deviations (RSD) are 11.9% and 13.1%, respectively, showing high
signal uniformity. The slight difference in Raman signals may be attributed to the slight
vibration of the experimental table, and the pulse type of the laser.

We further performed the exact same measurements on the MB molecules. In Figure 3e,
the SERS signals show the MB characteristic peaks at 1397 cm−1 (from the asymmetric C–N
stretching) and 1627 cm−1 (from the C–C ring stretching) [24]. As shown in Figure 3f, the
linear fits for the 1627 cm−1 appear as Y1627cm

−1 = 13,735·lgCMB + 123,467 (R2 equals to
0.927) for the higher concentration region, and Y1627cm

−1 = 597.45·lgCMB + 7324 (R2 equals
to 0.833) for the lower concentration region. As presented in Figure 3g–h, the RSD of the
SERS intensity at 1627 cm−1 for the 20 measuring points was calculated to be 5.2%, which
was attributed to the relatively uniform distribution of the CV molecules and Ag colloids.
The experimental results show that the dynamic enrichment mode can not only concentrate
the analytes and plasmonic nanoparticles into a smaller area to obtain dense hotspots for
better SERS measurement, but it can also obtain a uniform signal with good repeatability.

As shown in Table 1, compared with other substrates, SCDA has the ability to manip-
ulate abundant droplets and make multiple hotspots at the same time. Within the same
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time period, where other methods can only prepare one droplet, our method can prepare
numerous droplets. Therefore, when a large number of hotspots is demanded, SCDA is
more applicable. Moreover, the LOD of our method can be improved by using an objective
lens with a higher numerical aperture for collecting the intensified Raman signals.

Table 1. Comparing performance of SERS substrates with other reported methods.

Method Analyte Time LOD
Droplet

Manipulation

Number of Droplets
Prepared

Simultaneously
Ref.

Light-trapping SERS
substrate R6G Not available 10−13 M Not applicable 1 [12]

Taro-leaf@Ag R6G 120 min (4 μL) 10−8 M Not applicable 3 [25]

Slippery liquid-infused
porous surface R6G 5 min (50 μL) 10−18 M Not applicable 1 [15]

Continuous-rolling-
assisted evaporation

on a superhydrophobic
surface

CV 9 min (50 μL) 10−15 M Feasible 1 [18]

Superhydrophobic
magnetically

functionalized PDMS
R6G 180 min (20 μL) 10−17 M Feasible 9 [16,17]

Superhydrophobic
concave dome array CV 40 min (13 μL) 10−11 M Feasible 36 (can be scalable) This work

3.4. SERS Detection of Melamine

Melamine is a triazine heterocyclic organic compound that is widely used in the
production of melamine resin, flame retardants, fertilizers, and other products. Due to its
high nitrogen content (66% mass nitrogen), melamine is sometimes illegally added to the
dairy products to increase their apparent protein content [26]. To prohibit such a problem,
the Food and Drug Administration (FDA) has set a safe threshold of 1 part per million
(ppm) (8 × 10−6 M) for melamine intake in infant formula, and 2.5 ppm for food and dairy
products [27].

To verify the feasibility of SCDA application in the field of food safety, we performed
the SERS study by mixing melamine into milk as the sample. In a controlled experiment,
the Raman spectrum of solid melamine was first measured by ourselves (Figure 4a) to
identify the characteristic peaks of 685 cm−1 (associated with ring breathing mode II of the
in-plane triazine ring). We then measured the SERS signals of melamine solutions at the
various concentrations, as shown in Figure 4b,c. The results show that the LOD is about
5 × 10−7 M. From Figure 4c, the intensity points can also be separated into two linearly fit-
ting regions, with the higher concentration region as Y685cm

−1 = 10281·lgCmelamine + 65484,
and the lower concentration region as Y685cm

−1 = 1546·lgCmelamine + 12009. The results
imply that the SCDA can be used for quantitative analysis when the concentration of
melamine is higher than 10−6 M.
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Figure 4. (a) Raman spectrum of solid melamine measured on the glass sheet; (b) SERS signals
from dynamically enriching 13 μL droplet (10 μL melamine solution and 3 μL Ag colloid) with
different concentrations; (c) data for SERS intensity peaks at 685 cm−1 versus melamine concentration;
(d) Raman spectrum of pure milk and SERS signal of contaminated milk with melamine.

We then prepared the milk sample by mixing melamine at a concentration of 8 × 10−6 M,
which is just within the safety threshold. As shown in Figure 4d, the Raman spectrum
of the pure milk (the red curve) does not display the 685 cm−1 peak. In contrast, the
Raman spectrum of the mixture (the violet curve) displays a pronounced peak at 685 cm−1,
indicating a strong capability for practical melamine detection.

4. Conclusions

In this work, we developed a superhydrophobic concave dome array (SCDA) for
the dynamic enrichment of plasmonic nanoparticles that can achieve the uniform SERS
signal measurement. Due to low surface adhesion, the SCDA can effectively suppress the
coffee-ring effect by dynamically enriching the droplets. A droplet with the initial volume
of 13 μL can be condensed into a small region of about 0.17 mm in diameter after the
complete evaporation of the solvent. The LOD of CV and MB molecules can reach up to
10−11 M. As a proof-of-concept application, these dynamic-enriched SERS hotspots can
detect the melamine in milk at concentrations lower than the FDA standard. We expect our
method have more potential applications in analytical chemistry and biomedicine.

Supplementary Materials: The following supporting information can be downloaded at: https://
www.mdpi.com/article/10.3390/bios12050270/s1, Figure S1: On the same SCDA, different kinds and
concentrations of analytes are made into multiple hot-spots for SERS detection using the enrichment
mode of dynamic evaporation.; Figure S2: Images of experimental setup.; Figure S3: Raman spectrum
of a 10 μL CV droplet (10−3 M). Video S1: The SCDA shows the excellent superhydrophobic property.;
Video S2: The concave dome can physically confine the droplets.; Video S3: The analytes rotate
periodically on the SCDA.
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Abstract: Two-dimensional carbon nanomaterials have been commonly employed in the field of
biosensors to improve their sensitivity/limits of detection and shorten the analysis time. These
nanomaterials act as efficient transducers because of their unique characteristics, such as high surface
area and optical, electrical, and magnetic properties, which in turn have been exploited to create
simple, quick, and low-cost biosensing platforms. In this review, graphene and two-dimensional
carbon material-based fluorescent biosensors are covered between 2010 and 2021, for the detection of
different human viruses. This review specifically focuses on the new developments in graphene and
two-dimensional carbon nanomaterials for fluorescent biosensing based on the Förster resonance
energy transfer (FRET) mechanism. The high-efficiency quenching capability of graphene via the
FRET mechanism enhances the fluorescent-based biosensors. The review provides a comprehensive
reference for the different types of carbon nanomaterials employed for the detection of viruses such
as Rotavirus, Ebola virus, Influenza virus H3N2, HIV, Hepatitis C virus (HCV), and Hepatitis B virus
(HBV). This review covers the various multiplexing detection technologies as a new direction in
the development of biosensing platforms for virus detection. At the end of the review, the different
challenges in the use of fluorescent biosensors, as well as some insights into how to overcome them,
are highlighted.

Keywords: FRET sensing; 2D carbon material-based sensors; multiplexing virus detection; limit of
detection; recognition element

1. Introduction

There is competition in the development of graphene-based biosensors in the market [1].
A large number of research articles have been published, exceeding 3600 articles since 2010,
focusing on fluorescent biosensors. Biosensors have enormous applications in various
areas, including (a) diagnostic applications [2], bioprocess monitoring [3], and improving
the quality of new pharmaceutics [4]; (b) environmental testing [5]; and (c) food quality [6].

Biosensors can be defined as miniaturized devices incorporating recognition elements
for identifying and/or quantifying either a synthetic or biochemical analyte. The recogni-
tion element can be an antibody, whole cell, aptamer, peptides, or DNA [7–9]. Biosensors
can provide real-time outputs with high sensitivity, high specificity, and a low limit of
detection [10,11]. Optical biosensors are a major group of transducers with unique features
in comparison with other biosensors [12,13]. The optical detection mechanism relies upon
the interaction between a recognition element and the optical transducer [14]. Optical
biosensing can be characterized into two general categories: label-based and label-free
sensors [15,16].

In the label-free sensors, the detected signal is the result of the direct interaction of
the analyte with the immobilized recognition element on the transducer’s surface [17,18].
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On the other hand, the label-based sensors require the employment of labels, such as
colorimetric, fluorescent, or luminescent, to produce the optical signal [19–21]. There are
various types of optical biosensors reported in the literature [22]. This review will cover
the fluorescent-based biosensors used for the detection or identification of viruses.

To the best of the authors’ knowledge, no review has been published so far covering
the use of carbon nanomaterials for virus detection using fluorescence. As a consequence,
this recent literature review reports the virus detection using fluorescent biosensors based
on carbon nanomaterials [22]. Moreover, this review will focus on the recent improvements
in graphene-based biosensors for human virus detection using multiplexed detection based
on a FRET–graphene oxide biosensor [23].

2. Graphene Oxide Fluorescent Biosensor for Human Virus Detection

In 2004, Novoselov and Geim synthesized and characterized a single sheet of graphene
with covalently linked atoms arranged in one or multiple atomic layer planes, which form
bulk layered materials via weak van der Waals gaps [24–26]. Since then, the application of
graphene has grown exponentially in several biomedical fields owing to its well-defined
properties and high specific surface area [27]. Therefore, graphene research has progressed
to the development of more adaptable and customizable 2D alternatives with a higher
composition, structure, and diversity in functionality [28]. Graphene-derived materials,
including graphene oxide (GO) and reduced graphene oxide (rGO), are extensively used
in various biosensing devices and assays. In-vivo and in-vitro, the target biomolecule is
fluorescently labeled, which is identified using fluorescence microscopy or fluorescence
spectrometry [12].

Recently, graphene oxide (GO) has gained a great deal of interest for virus detection
due to its large surface area, 2D carbon structure, electrical conductivity, thermal robust-
ness, flexibility, optical transparency, and mechanical characteristics, with high chemical
stability [29–34]. Aptamers have demonstrated that graphene possesses unique attachment,
molecular recognition, and biocompatibility via linking them with graphene to enhance the
sensitivity and selectivity of the manufactured biosensors. Antigen–antibody and aptamer–
target interactions, essentially were previously widely employed to create biosensors for
the detection of analytes. The aptamer–target system-based aptasensors have several su-
perior features over antigen–antibody system-based biosensors, including higher affinity,
reduced costs, simpler fabrication, higher sensitivity, and wide range of analyte-sensing
applications [35].

2.1. Fluorescence Resonance Energy Transfer Mechanism (FRET)

FRET is an effective approach to the quantitative determination of biomolecules with
high specificity and sensitivity [36]. A fluorophore probe is absorbed on the surface of
a quencher (graphene) to constitute a FRET pair, as shown in Figure 1. Graphene-like
2D nanomaterial is a powerful fluorescence quencher, that increased the application of
fluorescent sensors to achieve a sensitive detection platform, for various targets via an
assembly or conjugation mechanism. The binding force between the fluorophore and target
biomolecules decreases the fluorophore–graphene interaction in the presence of the target
biomolecules, resulting in the fluorophore’s release from the graphene surface to restore
the dye’s fluorescence [37].
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Figure 1. Illustration of the FRET emission mechanism on graphene oxide related to Jablonski diagram.

GO has combined electron–hole pairs positioned inside sp2 carbon clusters, incorpo-
rated within the sp3 matrix, and exhibits UV to near-infrared (NIR) light absorption [38–40].
The large dislocations in the p-electrons of GO display an exceptional ability to quench the
fluorescence emitted by fluorescent dyes or quantum dots. Therefore, GO can be considered
a good option as a quencher in FRET-based biosensors, as it offers low background noise
and a high signal-to-noise ratio [41].

2.2. Characteristics of Graphene Material and Biomolecule Interaction

There are several functional groups—for instance, carboxyl, epoxide, and hydroxyl
groups—at the surface and edges of GO that can be used for the immobilization of recogni-
tion elements via covalent bonding, electrostatic interaction, and hydrogen interactions.

Due to the honeycomb structure of the graphene oxide lattice, inserting suitable
functional groups enhances the optical properties. The chemically active, soluble, hybrid
graphene surfaces result from the functionalization of pure graphene via covalent and
noncovalent attachment [42,43].

Hydrogen bonding, van der Waals interactions, and π–π interactions are forms of non-
covalent functionalization, whereas covalent bonding using 1-ethyl-3-(3-dimethylaminop
ropyl)carbodiimide hydrochloride/N-hydroxy sulfosuccinimide (EDC/NHS) chemistry
and others has been utilized to attach a variety of recognition receptors onto the graphene
biosensor surface (Figure 2) [44]. Fluorescent-labeled single-stranded DNA (ssDNA) was
adsorbed onto the GO molecule surface due to π–π stacking [12,45–47]. Through van
der Waals interaction, partially reduced GO(p-rGO) or rGO interacts with numerous
biomolecules, such as proteins and DNA [46]. The functionalization of GO by inserting
different functional groups with high oxygen content helped in developing a functional
pathogen biosensor.
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Figure 2. Different categories of functionalization of graphene oxide.

GO sheets have higher and more diverse adsorption capacities, which may increase
the interaction with the pathogen and virus, which in turn enhances the sensing per-
formance [48]. rGO lacks hydroxyl groups, so it has lower solubility in cell culture me-
dia, limiting its application to the evaluation of cellular biomaterials on substrates and
nanoparticles [49].

The surface chemistry of graphene has a great role in its cytotoxicity. By adhesion
or bonding with cell receptors, bare graphene or GO can restrict the flow of nutrients,
generate stress, and trigger apoptotic pathways, resulting in significant toxicity even at
low concentrations. The use of biocompatible polymers or chemicals to functionalize
graphene-based materials will dramatically minimize this cytotoxicity [50]. As a result,
the nanomaterial’s surface properties, including shape, aggregation state, coatings, or
functionalization, that may be present could play a part in their harmful impacts. The
surface area/mass ratio and retention time of particles impact their toxicity; particles with
a higher surface area and retention time interact more with cell membranes, allowing for
increased absorption and transit into cells. As a result, the surface termination, size, and
aggregation state of nanomaterials must be considered in any investigation, as they may
have a major impact on the outcome of the biocompatibility tests.

2.3. Virus Detection

Currently, the COVID-19 pandemic represents a widespread health risk. Reducing
COVID-19 transmission and infection in pre-symptomatic and asymptomatic persons needs
ultrasensitive and early infection detection [51,52]. In order to return to normal routines in
business, industry, schools, and universities, multiple strategies for reducing the risk that
is associated with COVID-19 are required, including rapid, specific, easy, low-cost, and
effective virus testing and monitoring [53,54]
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In comparison with conventional virus detection techniques, the unique characteristics
of graphene biosensors have been effectively utilized for the diagnosis of diseases [55–57].
Graphene oxide (GO) has played a vital role in the detection of different types of viruses,
such as Rotavirus, Ebola virus, Influenza virus H3N2 hemagglutinin gene, AIDS (HIV),
Hepatitis B virus (HBV), and Hepatitis C virus (HCV). The various assays and diagnostic
tests that use the fluorescent biosensing mechanism are reviewed below [28,58]. Moreover,
g-C3N4 was used to detect HBV via a simple, flexible, sensitive, and low-cost fluorescent
biosensing device due to its high specific surface area and strong affinity [59].

2.3.1. Rotavirus

Rotavirus is a gastrointestinal virus that causes infections and symptoms in newborns,
children, and adults all over the world, making it a major cause of diarrhea [60]. Jung
and coworkers developed a FRET-based GO biosensor for rapid Rotavirus detection. The
AuNP–DNA–antibody formed a covalent bond with GO to prepare a sandwich structure,
as shown in Figure 3 [61–65]. Virus binding onto the immobilized antibody took place via
a specific antigen–antibody interaction. As a result of this, the fluorescence was quenched
due to the interaction of the GO and AuNPs. The cross-reactivity of the biosensor was
tested using Poliovirus and Variola virus. No emission of fluorescence was observed.
However, a 15-fold increase in the fluorescence signal was observed with the addition of
the Rotavirus. This biosensor achieved a linear dynamic range (103 to 105 pfu.mL−1). The
unique fluorescence quenching property of GO sheets proves that GO can be applied in
molecular diagnostic biosensors [64,65].

Figure 3. (A) Illustration of the GO-based immuno-biosensor; (B) dynamic range of the GO-based
sensor; (C) cross-reactivity of the GO-based immunosensor was tested with Poliovirus and Variola
virus. Reprinted with permission from Ref. [65]. Copyright 2010, Wiley-VCH.

2.3.2. Ebolavirus

The Ebola virus epidemic caused around 28,000 cases and 11,323 recorded deaths
between 2014 and 2016. Ebola virus disease, widely known as a fatal disease, which can
cause severe infection [66]. Wen and coworkers targeted the Ebola virus protein VP40,
which interacts with the GO sheets, to develop a sensitive and selective fluorescent detection
assay [51], using rolling circle amplification (RCA) (Figure 4). This fluorescent biosensor
exhibits 1.4 pM LOD with a linear dynamic range from 30 fM to 3 nM. GO is negatively
charged, and it directly interacts with the positively charged virus through π–π stacking.
The GO sharp edges, was applied to lyse the virus envelope to start the amplification
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without the need for the addition of lysing agents or instrumentation [67]. The GO-based
fluorescent biosensor offers an integrated lysing and sensing tool for the rapid detection of
viruses [51].

 

Figure 4. (A) The graphical representation shows the GO-assisted amplified biosensor for EBOV
detection; (B) fluorescence increase as a function of virus increase; (C) the relationship between fluo-
rescent intensity and the concentration of EBOV gene; (D) the relationship between the (F − F0)/F0

of GO and EBOV gene, with single-base mismatched sequence (MT1), three-base mismatched se-
quence (MT3), and five-base mismatched sequence (MT5). Reprinted with permission from Ref. [67].
Copyright 2022, Elsevier B.V.

2.3.3. Influenza

Researchers are increasingly concerned about Influenza as a health threat. Influenza is
a member of Orthomyxoviridae, consisting of a single-stranded RNA genome with four
types (A, B, C, and D). Influenza type A consists of several surface antigens—for instance,
hemagglutinin (H) and neuraminidase (N) [68]. Jeong et al. created a simple fluorometric
platform using graphene oxide (GO) to detect Influenza. This platform relies on employing
fluorescent DNA that is directly absorbed onto the GO via π–π stacking and hydrogen
bonding (Figure 5), which results in the quenching of the FAM fluorescent molecule. The
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emission of the fluorescence of the FAM was increased upon addition of the Influenza RNA
virus in a range from 37 to 9400 pg. This platform was able to detect as little as 3.8 pg
Influenza RNA [38].

Figure 5. (A) Representation of fluorescence detection of Influenza virus RNA via GO and Taq poly-
merase’s 5′ to 3′ exonuclease activity during RT-PCR; (B) representation of the relationship between
the fluorescence emission spectra of the FAM-DNA probe and the DNase I after GO incubation
(λex = 485 nm); (C) with each PCR cycle, the fluorescence of the FAM-DNA probe increased. RT-PCR
was performed on H3N2 (target) and H1N1 (non-target) viral RNAs using H3N2 hemagglutinin
gene-specific primers and the FAM-DNA probe. Reprinted with permission from Ref. [38]. Copyright
2022, Elsevier B.V.

2.3.4. HIV

A large number of patients over the world have died or became infected due to
HIV/AIDS. As a result, a number of researchers have developed ultrasensitive diagnostic
techniques for the early detection of HIV during the infection cycle [69,70]. Qaddare and
Salimi developed a FRET-based biosensor to detect HIV, where carbon dots (CDs) were
used as fluorescent NPs quenched with AuNPs, as shown in Figure 6A. This biosensor
detected as little as 15 fM of the target oligonucleotides and had a dynamic range between
50.0 fM and 1.0 nM (Figure 6) [71].
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Figure 6. GO-fluorescent biosensor for HIV viral detection. (A) The scheme of the FRET-based
detection system; (B) fluorescence recovery spectra of the capture probe ssDNA-CD/AuNP system
in the presence of various amounts of target DNA at λ 350 nm excitation and 0.22 nM AuNPs
as a quencher; (C) the fluorescence recovery spectra of the ssDNA-CD-AuNP/GO system in the
presence of different concentrations of target DNA at excitation wavelength of 350 nm and 5 μg/mL
of GO/AuNPs as quencher. Reprinted with permission from Ref. [71]. Copyright 2017, Elsevier.

HIV antibody detection was used as a sensitive and specific assay. Wu et al. designed
a highly efficient FRET biosensor for the detection of anti-HIV-1 gp120 antibody via the
interaction of GO with the peptide-functionalized UCNPs (Figure 7). The upconversion
fluorescence intensity was increased linearly as the antibody concentration increased. The
reported dynamic range was 5 to 150 nM of antibody concentration and D.L. was 2 nM [72].

Zhang et al. reported a new assay to detect HIV by labeling two partially comple-
mentary DNA probes (hairpin probe 1 (H1) and hairpin probe 2 (H2)), linked at one end
with silver nanoclusters, as shown in Figure 8. They attached hairpin probes with silver
nanoclusters (AgNCs) to GO. The developed system was exposed to the products of the
hybridization chain reaction (HCR). The limit of detection for the reported assay was
1.18 nM [73,74].
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Figure 7. (A) Scheme of the upconversion FRET-based biosensor for detecting anti-HIV-1 gp120
antibody; (B) the upconversion fluorescence emission of the biosensor; (C) the calibration curve of the
UCNPs showed a linear response with the various antibody concentrations in the range of 5–150 nM;
(D) the fluorescence spectra of the peptide-functionalized UCNPs after incubation with varying
concentrations of GO; (E) fluorescence quenching efficiency against GO concentration. Reprinted
with permission from Ref. [72]. Copyright 2022, ROYAL SOCIETY OF CHEMISTRY.
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Figure 8. (A) Scheme showing graphene oxide (GO)-based HCR for DNA detection and the
fluorescence response of the system under different conditions; (B) THIV + H1 + H2; H1 + H2;
THIV + H1 + H2 + GO; H1 + H2 + GO; THIV + H1 + GO; (C) H1; H2. [H1] = 100 nM, [H2] = 100 nM,
[THIV] = 100 nM. Reprinted with permission from Ref. [73]. Copyright 2017, Elsevier.

Moreover, Zhang et al. developed a fluorescence biosensing technique to detect HIV-1
protease based on GO, using covalently bonded, fluorescently labeled HIV-1 protease
target peptide molecules with GO. The fluorescence was increased upon the addition of
HIV-1 protease as a result of the peptide cleavage and the release of the fluorescent peptide
fragment away from the GO, as shown in Figure 9. This fluorescence-based detection assay
was successfully detected as little as 18 ng/mL of HIV-1 protease [75].
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Figure 9. (A) Scheme depicting the principles of detecting HIV-1 protease; (B) scheme depicting
the production of an HIV-1 protease sensor using graphite powder; (C) fluorescence spectra of the
GO-Pep-FAM sensor in the presence of HIV-1 protease at various doses; (D) plot of fluorescence
intensity versus various species, demonstrating the selectivity of the GO-Pep-FAM sensor. Reprinted
with permission from Ref. [75]. Copyright 2018, Springer Nature.
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2.3.5. Hepatitis B Virus

Hepatitis is a liver inflammatory disease. It is often caused by a viral infection known
as viral hepatitis that leads to 686,000 deaths per year [74]. HBV is a Hepadnaviridae
virus that has its viral double-stranded DNA enclosed. Scientists have developed various
biosensors with high sensitivity to be used in the early diagnosis of HBV [76].

Carbon nitrides, g-C3N4, a new family of carbon functional materials, have recently
attracted the attention of researchers in the field of biosensing. This is a metal-free car-
bonaceous substance with a high N:C ratio and a structure that ranges from polymeric to
graphitic, with heptazine or triazine rings serving as structural motifs [77]. The properties
of g-C3N4, such as large specific area, optical properties, low-cost, biocompatibility, and the
stability of the photoluminescence, make it ideal for the fluorescence sensing. Therefore,
Xiao et al. developed an innovative fluorescent biosensor to detect the HBV gene based on
the fluorescence quenching of g-C3N4 nanosheets (Figure 10). This unique design shows a
great deal of potential for monitoring disease markers, especially HBV genes, because it
offers a low-cost and quick response, with a 1.0 nM LOD [59].

Figure 10. (A) A diagram of the method for detecting pathogenic DNA based on metal ion binding-
induced fluorescence quenching of graphitic carbon nitride nanosheets; (B) fluorescence spectra
of g-C3N4 nanosheets (1.0 gmL−1) in the presence of various silver ion concentrations; (C) the
fluorescence intensity of g-C3N4 nanosheets was measured in the presence of various numbers of
silver ions; (D) fluorescence spectra of g-C3N4 nanosheets in the presence of different HBV gene
concentrations; (E) the relative fluorescence intensity of g-C3N4 nanosheets in response to various
HBV gene concentrations. Reprinted with permission from Ref. [60]. Copyright 2017, ROYAL
SOCIETY OF CHEMISTRY.

178



Biosensors 2022, 12, 460

2.3.6. Hepatitis C Virus (HCV)

The Hepatitis C virus (HCV) is the most widespread cause of chronic liver disease,
affecting 2–3% of the world population. In the past, early detection of HCV was difficult,
especially for those living in underdeveloped nations. Jialong et al. employed reduced
graphene oxide nanosheets (rGONS) with the hybridization chain reaction (HCR) amplifi-
cation technique, to develop an ultrasensitive method for the detection of HCV RNA. The
reported LOD was as low as 10 fM, which is substantially lower than the commonly used
fluorescence approach based on GO [78] (Figure 11).

Figure 11. (A) Graphic depicting the proposed rGONS-HCR system for HCV detection; (B) THCV
detection in various cell lysates; (C) fluorescence spectra of the rGONS-HCR in the presence of THCV
at various concentrations in normal human serum; (D) the relative fluorescence intensity (FI) vs.
THCV concentration; (E) THCV detection in clinical serum samples. Reprinted with permission from
Ref. [79]. Copyright 2019, ROYAL SOCIETY OF CHEMISTRY.

2.4. Multiplexing Viruses Detection

One of the most important requirements for a biosensing platform is the simulta-
neous detection of multiple viruses infection (multiplexing) [80–82]. Different diseases
can manifest with similar symptoms. Multiplex detection methodologies have become
increasingly useful to detect a particular virus or viruses that cause an infection and their
severity (quantitative) [51,82,83].

Chen et al. introduced a scalable, fluorescent biosensor for multiplex virus detection
using graphene and 2D carbon materials. For the multiplexed analysis of virus genes, Chen
et al. used an N, S co-doped GO platform for the detection of HBV as well as the detection of
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HIV. In this study, two complementary sequences were conjugated with various fluorescent
dyes to the HPV and HIV virus genes, as shown in Figure 12A. This platform showed an
improvement in the detection limit to as little as 2.4 nM (Figure 12) [79].

Figure 12. (A) Schematic illustration of N, S-rGO for multiplexing detection of HBV and HIV; (B)
fluorescence spectra of N, S-rGO; (C) linear relationship for the detection of HBV DNA; (D) linear
relationship for the detection of HIV DNA. Reprinted with permission from Ref. [77]. Copyright 2016,
American Chemical Society.

Another fluorescent multiplexing viruses detection method has been designed, through
a hybrid system consisting of GO and nucleic acid-stabilized silver nanoclusters (AgNCs),
for the detection of the HIV and HBV genes, as shown in Figure 13. This design can be used
for the multiplexing detection due to the tunable fluorescence properties of AgNCs and
the combination of AgNCs/DNA with GO. The conjugation system of ssDNA sequences
and the DNA-stabilized AgNCs has demonstrated that adsorption to GO induces AgNC
fluorescence quenching. The reported LODs for the genes of HIV and HBV were 1 nM and
0.5 nM, respectively [84].
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Figure 13. (A) Schematic diagram of the multiplexed detection platform for the HBV gene (5) and the
HIV gene using near-infrared and red-emitting AgNC probes (8); (B) time-dependent fluorescence
spectra of the red-emitting AgNCs upon challenging the (6)-AgNCs/GO with the HBV target gene
(5), 100 nM. Inset: Time-dependent fluorescence changes at λ = 616 nm upon analyzing (5) by the
(6)-AgNCs/GO. (C) Fluorescence spectra of the AgNCs upon analyzing different concentrations of
the HBV gene (5) by the (6)-AgNCs/GO system. (a) 0, (b) 2 nM, (c)10 nM, (d) 20 nM, (e) 50 nM,
(f) 100 nM, (g) 200 nM, (h) 500 nM, and (i) 1000 nM. Fluorescence spectra were recorded after a fixed
time-interval of 80 min. Inset: Calibration curve corresponding to the luminescence of the related
AgNCs (at λ = 616 nm) in the presence of different concentrations of (5). Reprinted with permission
from Ref. [84]. Copyright 2013, American Chemical Society.

3. Literature on 2D Fluorescent Biosensors for the detection of Viruses

Two-dimensional materials have been used extensively by various researchers to detect
different viruses. Table 1 summarizes some of the developed 2D fluorescent biosensors for
the detection of various viruses using various recognition elements, their mechanisms of
operation, and their limits of detection.
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Table 1. List of the 2D fluorescent biosensors available for virus detection, types of employed
recognition element, dynamic range, and limits of detection (LOD).

2D Carbon
Structure

Virus Sensing
Recognition

Element
Type of

Interaction
Dynamic

Range
Limit

of Detection
REF

GO Rotavirus Antibodies

Carbodiimide-
assisted

amidation
reaction

103 to 105

pfu mL−1 105 pfu mL−1 [64,65]

GO Ebola virus gene
Influenza dsDNA π–π stacking

interaction 30 fM–3 nM 1.4 Pm [67]

GO

Influenza virus
H3N2

hemagglutinin
gene

RNA

π–π stacking
interaction and

hydrogen
bonding

37–9400 pg 3.8 pg [38]

GO HIV-1 gene dsDNA

carbodiimide-
assisted

amidation
reaction

50.0 fM–1.0 nM 15 fM [71]

GO HIV Antibodies π–π interaction 5–150 nM 2 nM [72]

GO HIV dsDNA π–π interaction - 1.18 nM [73,74]

GO HIV Enzyme

π–π stacking
and/or

electrostatic
interaction

between

5–300 ng/mL 109 pM [75]

rGO HCV dsDNA π–π interaction 10 fM [78]

g-C3N4 HBV gene DNA π–π stacking 2–100 nM 1.0 nM [59]

rGO HIV Aptamer π–π interaction - 3.0 nM [79]

rGO HBV Aptamer π–π interaction - 2.4 nM [79]

GO HBV ssDNA π–π stacking - 0.5 nM [84]

GO HIV ssDNA π–π stacking 1 nm [84]

3.1. Overcoming the Drawbacks in Carbon Nanomaterials

The performance of the fluorescent biosensors can be influenced by different character-
istics, such as sensitivity, the limit of detection (LOD), repeatability, as well as reproducibil-
ity. The fluorescence transduction mechanism depends on the morphological parameters,
and coordination surface chemistry can be used to examine the reliability and capability of
sensors [49].

The drawbacks of stability and nonspecific absorption of GO-based DNA have at-
tracted more attention due to the decreasing electron transfer efficiency [35]. Some works
have shown that these problems can be overcome by using the heteroatom doping tech-
nique. Heteroatom doping is a characteristic technique was used to influence the electronic
properties within the GO surface. The possibility of developing a new electronic structure
on the sp2-hybridized carbon has gained a large amount of interest in terms of co-doping
multiplex heteroatoms to enhance the activity of bare GO. For example, N, S co-doped
GO with significant sulfur loading has been shown to efficiently break carbon material’s
inertness, activate the sp2-hybridized carbon lattice, and permit electron transport from
electron donor functional groups to GO sheets [82].

3.2. Detection Limit and Analysis Time

In short, the literature suggests that the detection limit is strongly determined by the
sensitivity of the transducer, the mass transport kinetics and how fast the binding of the
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analyte with the recognition element [85]. Firstly, the sensitivity of the transducer can be
determined by detecting the smallest concentration of the analyte that binds to the sensor’s
surface, taking into consideration the differentiation of the signal-to-noise ratio that occurs
due to the nonspecific binding. The mass transport kinetics and reaction of the analyte with
the recognition element can influence the analysis time [86].

Improving the detection limit and shortening the analysis time can be achieved by
selecting highly efficient recognition elements that bind tightly and rapidly to the analyte(s)
in question. Furthermore, the recognition element should have high specificity to the
analyte in question, to reduce the cross-reactivity, and the sensor surface should be blocked
well, to reduce the non-specific binding and to reduce false positive signals. Another means
for shortening the analysis time is to enhance the transfer of the analyte to the immobilized
recognition element onto the sensor surface. This includes integrating the sensor surface
with various electrokinetic techniques, ultrasound standing waves, optical trapping and
concentration, and the usage of pre-concentration techniques prior to analysis.

3.3. Non-Specific Binding

Generally, non-specific binding of the analyte, can cause some limitations in the
biosensing platforms. Reliable biosensor devices must have the ability to distinguish
between the target analyte of interest and the other species present in the sample. The
majority of the competing species can interact non-specifically with the sensing platform,
which can cause a false positive signal. To overcome this challenge, some approaches have
developed 2D material-based sensors that show more specific properties for the species in
question. Graphene is one of these 2D materials that introduces specific binding, and the
resulting fluorescence comes only from the binding species, and not from the interfering
species [87]. Graphene is functionalized via either non-covalent or covalent binding. Most
of the covalent methods present very complex and difficult conditions to control.

External parameters such as temperature, pH, salt content, etc. that might affect
the interaction of the biomolecules with the surface of the graphene, as well as their
unique characteristics, represent a challenge for improving the efficiency. In addition, the
heterogeneity of the graphene has great significance for the performance of fluorescent
biosensors based on different factors, such as size, thickness, and the number of functional
groups on the surface [31].

One mean of improving the sensor’s specificity is to develop high-affinity and spe-
cific biosensing platforms via non-covalent attachment of the recognition elements to the
surfaces of 2D carbon nanomaterials [88].

3.4. Cytotoxicity

The carbon element is intrinsically compatible with living systems, therefore, carbon-
based nanomaterials are considered “safe”. Although graphene-based sensors have re-
ceived a great deal of attention in health monitoring and biomedical applications. Nu-
merous studies have investigated the graphene-based nanomaterials’ biocompatibility,
water-solubility, toxicity, and potential environmental risks. As a result, the increased use
of graphene in a variety of applications and industries will require different toxicological
profiles in-vitro and in-vivo [64,89]. However, a variety of carbon nanomaterials, such
as carbon nanotubes, nanodiamonds, and graphene oxide, have been examined in living
cell lines and found to have little cytotoxicity [41]. The morphology, size, shape, purity,
and surface chemistry have a powerful impact on the cytotoxicity, while the functional-
ization of graphene can adjust its interactions with the living cells [90]. Due to the lack
of in-vivo applications, the cytotoxicity properties of graphene are still unknown. Sev-
eral factors, including the lateral scale, oxygen content, and dose, need to be carefully
researched [20,43,64].

A cytotoxicity evaluation of graphene using rat pheochromocytoma cells (PC12) ob-
served 40% cell death using the MTT assay [91]. The cytotoxicity of GO on human lung
carcinoma (A549) cells was observed with no cellular uptake, which resulted in decreased
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viability at higher concentrations. Moreover, the cytotoxicity of graphene depends on the
quality of its dispersion [89]. Zhang et al. noticed an increase in the cytotoxicity of graphene
when applied above 10 μg/mL. The study observed no pathological alterations with the
use of distributed single-layered GO sheets of 10–800 nm in lateral size in Kunming mice,
at a dose of either 1 mg/kg or 10 mg/kg [92]. It was noticed that the presence of 10% FBS
in the cell media decreased the cytotoxicity of GO because of the direct physical damage of
the plasma membrane caused by GO [93,94].

4. Future Outlook and Challenges

Great efforts have been devoted to designing new graphene-based FRET sensing
systems for clinical testing, demonstrating inexpensive biosensing platforms with the
eco-friendly, sustainable synthesis of graphene to solve the existing stability issues and
efficiently enhance the electron transfer rate in enzymatic biosensors [95,96].

Graphene-like 2D nanomaterials such as graphene, GO, and rGO, with their functional
reactive groups such as –OH, –COOH, –CO, and –C–O–C, are crucial for the immobilization
of recognition elements. The strong quenching efficiency of GO and rGO in comparison
with graphene offers exciting opportunities for the development of fluorescent biosensors
with significant improved sensitivity and selectivity, and low limits of detection. The
amphiphilic character of the GO facilitates the adsorption of diverse biomolecules on
its surface due to its strong binding affinity with the biomolecules via pi–pi stacking.
Several challenges still hinder the practical application of graphene-based smart materials—
for example, the lack of techniques that can produce high-quality graphene materials at
low-cost and in a more controllable and scalable fashion. It is necessary to investigate
the toxicity of these materials—both in-vitro and in-vivo—via the functionalization of
graphene-based smart materials. Because graphene assemblies are lightweight, flexible,
and elastic, it is of great interest to develop graphene-based smart materials that can
sensitively respond to multiple stimuli or are operational under harsh conditions (for
example, high temperatures, high strength, and strongly corrosive media [97]). One of the
most critical scientific challenges is to produce ultrasensitive fluorescent biosensors for rapid
and specific detection at low-cost. Another challenge facing the graphene-based biosensors
is the reproducibility and reliability of the materials production and processes [90].

To meet the ever-increasing demands of the fluorescent biosensors in nanomedicine
applications, fluorescent biosensors must be able to distinguish the signals of the target
analyte from the signal of the interferences. By applying different efficient recognition
elements, they are expected to facilitate highly specific multiplexing viruses detection. Many
of the current biorecognition elements are very reliable, while some of them have poor
chemical stability, have a limited shelf-life, suffer from cross-reactivity, and are expensive,
necessitating further advances in the synthesis and selection of emerging recognition
elements to overcome the shortcomings. Multiplexing detection technologies are considered
one of the main areas of future development.

Enhancing the signal-to-noise ratio, which is normally calculated by the receptor–
nanomaterial–transducer interface, is another significant factor to consider. More research
into the mechanisms of interactions between the DNA probes or modified DNA probes
and the graphene-based transducer is required to provide more reliable and accurate
measurements. The full potential of currently researched biorecognition elements is limited
due to the lack of reproducibility and reusability of the biosensing platforms performance
characteristics in the literature.

Despite the massive increase in the use of 2D carbon materials in point-of-care diag-
nostics, future studies considering their toxicology and biocompatibility are still needed.

To simplify healthcare and medicine in the future, a massive increase in the use
of 2D carbon materials in point-of-care diagnostics studies will be necessary, such as
touchscreen devices for epidermal electronic devices [98]. Huang et al. developed a cost-
effective, fast, accurate, and specific microfluidic chip for point-of-care testing that allows
for the simultaneous identification of various clinical pneumonia-related bacteria in 1.45 μL
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reactions, without cross-contamination, in 45 min [99]. Pang et al. designed a novel, rapid,
and sensitive self-priming PDMS/paper hybrid (SPH) microfluidic chip for the detection
of specific multiplex foodborne pathogens via mixed-dye loading. This device can detect
eight pathogens simultaneously by increasing the number of reaction chambers in the SPH
chip, demonstrating its significant potential for on-site food safety screening and wider
application [100].

Point-of-care (POC) devices enable multiplex, portable, rapid, and economically af-
fordable instrumentation, with respect to traditional culture or PCR-based assays. Such
instrumentation can be further miniaturized into point-of-care (POC) devices. All these
features can be effectively utilized in the detection of pathogenic microorganisms [29,101].
Using a smartphone translation tool, point-of-care (POC) devices look to be a promising
step for physicians in lab analysis. Researchers are looking at new smartphone-connected
POCT devices to improve data sensitivity, with additional advantages such as privacy
and theft protection, medical recommendations, and time- and cost-intensive laboratory
processing without sample pretreatment. They should be portable and user-friendly while
still delivering appropriate analytical results and clinical relevance [102]. The sensitivity,
low detection limit, and selectivity of the point-of-care (POC) devices must be improved by
utilizing a sensing prototype based on a smart optoelectronic nanosystems, using precise
diagnostics without interferents or loss to choose a real sample source. These procedures
are used to validate and scale up the sensor for clinical use [103]. Due to the present
COVID-19 pandemic, a reliable, rapid, cost-effective, and simple testing technique is ur-
gently required. One improvement could be integration with lab-on-chip to clean up the
sample and pre-concentrate the analyte of interest. The application of graphene in LOC
devices has greatly increased their sensing capabilities [104].

As a result, graphene-based LOC devices can provide a robust microenvironment for
advanced detection techniques at a low-cost [105]. Xiang et al. developed a microscale
fluorescence-based colorimetric sensor employing a graphene nanoprobe for multiplexed
DNA analysis [106]. A highly flexible microfluidic tactile sensor based on a GO nanosus-
pension was reported by Kenry et al. [107]. A microfluidic chip integrated with a novel
GO-based Forster resonance energy transfer biosensor was fabricated by Cao et al. to detect
cancer cells in-situ [96].

Graphene has great mechanical strength and also has the feature of flexibility. Due
to its remarkable mechanical strength, graphene is a useful material in the production of
wearable LOC devices. Graphene also has a large specific surface area, which helps surfaces
to load the necessary ligand in the LOC devices for single-molecule detection. Furthermore,
graphene has tunable optical characteristics, which are highly useful for optical readouts
in fluorescent LOCs to detect a wide variety of viruses, ranging from Influenza virus to
the present SARS-CoV-2 virus [105]. For the detection of H1N1, Joshi et al. fabricated a
stable, reproducible, and green device based on rGO flakes [108]. For the detection of avian
Influenza, Roberts et al. developed a functionalized graphene-based field-effect transistor
(GFET) with an LOD of 10 fM [109]. For the detection of Ebola virus, Jin et al. obtained
an LOD of 2.4 pg/mL based on the response of rGO with GFET as a function of the Dirac
voltage [110]. For the detection of SARS-CoV-2, Simone et al. [111] theoretically studied
the possibility of using a graphene-based optical sensor via employing Raman scattering,
generating results within 1 min and having an LOD of 1.68 × 10 −22 μg mL−1. Torrente-
Rodríguez et al. [53] designed a highly selective, unique, ultrasensitive, multiplexed, and
rapid graphene-based immunosensor and telemedicine system for the detection of SARS-
CoV-2 in blood and saliva samples.

5. Conclusions

The excellent properties of 2D carbon nanomaterials, such as high sensitivity and
specificity, ease of operation, and fast detection, make them suitable to detect viruses,
e.g., Influenza, Hepatitis B, HIV, and Rotavirus, using fluorescent biosensing techniques.
This review focused on the advantages of 2D nanomaterial-based biosensors. Despite
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the developments and advancements in laboratory-based virus detection, practical im-
plementations face challenges in terms of in-field applications. Additional excellent 2D
carbon fluorescent biosensors will be proposed in the future, and new solutions will arise
from collaborative efforts in the field of nanomedicine. As a result, further research into
the feasibility and broad practical applicability of fluorescent biosensors for multiplexing
detection is needed to augment the detection efficiency. The challenges for the researchers
in this domain are (a) the need to improve efficiency through production and biofunctional-
ization, (b) the improvement of the systems’ robustness, (c) the application of biosensors in
implantable systems, and (d) advancements in large-scale manufacturing strategies with
small-sized devices.

In summary, the development of fluorescent biosensors based on graphene nanomate-
rials represents a major turning point in the medical field, which could improve the quality
of life of many patients.
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Abstract: Cellular heterogeneity is of significance in cell-based assays for life science, biomedicine and
clinical diagnostics. Electrical impedance sensing technology has become a powerful tool, allowing for
rapid, non-invasive, and label-free acquisition of electrical parameters of single cells. These electrical
parameters, i.e., equivalent cell resistance, membrane capacitance and cytoplasm conductivity, are
closely related to cellular biophysical properties and dynamic activities, such as size, morphology,
membrane intactness, growth state, and proliferation. This review summarizes basic principles,
analytical models and design concepts of single-cell impedance sensing devices, including impedance
flow cytometry (IFC) to detect flow-through single cells and electrical impedance spectroscopy (EIS)
to monitor immobilized single cells. Then, recent advances of both electrical impedance sensing
systems applied in cell recognition, cell counting, viability detection, phenotypic assay, cell screening,
and other cell detection are presented. Finally, prospects of impedance sensing technology in single-
cell analysis are discussed.

Keywords: electrical impedance spectroscopy; impedance flow cytometry; single cell analysis;
microfluidics

1. Introduction

Cellular biophysical properties provide signals for abnormalities in tissues and or-
gans [1,2]. Due to the heterogeneity presented in any isogeneic cell population, conven-
tional population-averaged approaches neglect differences among individuals in gene
expression and cell processes, leading to the loss of significant information [3,4]. Studies
of cellular heterogeneity allow for exploring the cause, diagnosis and targeted therapy of
diseases and the discovery of drugs [5,6].

Microfluidics, which provides manipulation and analytical methods at single-cell level,
has emerged as a powerful tool for single-cell analysis [7,8]. Microfluidic devices have the
advantages of miniaturization, low cost, comparable geometric dimension to cell sizes and
flexible structural design [9–11]. Various single-cell manipulation strategies have been de-
veloped and introduced in microfluidic devices for cell-based studies [12]. These strategies
to manipulate cells could be active, such as dielectrophoresis [13], acoustophoresis [14]
and optical tweezers [15], or passive, such as microwells [16], hydrodynamic traps [17] and
inertial focusing in curved channels [18]. To characterize the diverse biophysical properties
of single cells, analytical methods integrated with microfluidic devices have been widely
expanded, such as spectroscopy [19], fluorometry [20], mass spectroscopy [21] and elec-
trochemical probes [22]. To study cellular heterogeneity, optical characterization methods,
such as optical flow cytometry and laser confocal microscopy, are most widely used to ac-
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quire biological information in single-cell resolution [20]. However, these methods require
fluorescent labels in cells to characterize cell and subcellular structures.

Electrical impedance properties of single cells could be used as biophysical mark-
ers that provide important information to uncover the complex physiological states of
cells [23–25]. Biosensors based on single-cell electrical impedance measurements have the
advantage of probing multiple biological parameters without fluorescent labeling. The
electrical impedance at different frequency ranges refers multiple properties of cells: size
information at a low frequency (from 100 kHz to 1 MHz), membrane capacitance at a
higher frequency (about a few MHz), and intracellular organelles, such as the conductiv-
ity of cytoplasm, at even higher frequencies [26,27]. In addition, the non-invasive and
label-free impedance sensing techniques are easy to be integrated into microfluidic devices
for quantitative and real-time detection of single cells. Due to the advantages mentioned
above, electrical impedance integrated microfluidic devices have been widely utilized for
cell-based assays in single-cell resolution.

This review first presents a brief overview of basic principles, analytical models and
design concepts of electrical impedance sensing devices for single-cell analysis. Next,
applications of two essential microfluidic systems for single-cell impedance measurement
are focused: impedance flow cytometry for mobile cell detection, such as cell counting,
identification, and classification, and electrical impedance spectroscopy for immobilized
cell monitoring, such as cell differentiation, division, and proliferation. In the end, advances
and prospects on electrical impedance sensing technology for single-cell analysis are
discussed.

2. Theory and Modeling

In electrical impedance sensing, a frequency-dependent excitation signal in the form
of an alternating current (AC) voltage Ũ(jω) is applied to a pair of electrodes and the
response current Ĩ(jω) is measured. Impedance of the measured object is defined as the
ratio between excitation voltage and response current:

Z̃(jω) =
Ũ(jω)

Ĩ(jω)
= ZRE + jZIM (1)

where Z̃(jω) is the complex impedance. ZRE and ZIM are the real and imaginary part of
the complex impedance, respectively. j2 is −1 and ω is the angular frequency (ω = 2πf ).
The absolute value and phase shift of the complex impedance are given by:∣∣∣Z̃∣∣∣ = √

(ZRE)
2 + (ZIM)2 (2)

θ = arctan
(

ZIM
ZRE

)
(3)

The common theory and model of cell impedance sensing is the electrical model of a
spherical cell in an aqueous medium. The complex impedance of cell-medium system is
given by:

Z̃mix =
1

jωC̃mix
(4)

where C̃mix is the complex capacitance of the system and is determined by ε̃mix:

C̃mix = ε̃mix
S

4πkd
(5)
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The well-known Maxwell’s mixture theory (MMT) [26,28] is widely used to derive the
complex permittivity of mixture of cell and medium as:

ε̃mix = ε̃m
1 + 2ϕ f̃CM

1 − ϕ f̃CM
(6)

In this equation, ε̃mix, ε̃m and ε̃c represent the complex permittivity of the medium-cell
mixture, suspending medium and the cell, respectively. ϕ represents the volume fraction
of the cell to the suspending medium and f̃CM represents the Clausius-Mossotti factor:

f̃CM =
ε̃c − ε̃m

ε̃c + 2ε̃m
(7)

Because MMT only works well in a uniform field with low volume fractions, the
volume fraction should be replaced with a corrected value in the cases of high volume
fraction (usually >40%) and non-uniform field [27]. Besides, the derivation of MMT is
only applicable under homogenous external electric fields and depends on configuration
mode of electrodes in specific devices. Considering the geometric parameters of electrode
configurations, the impedance of a mixture system can be described as:

Z̃mix =
1

jωε̃mixGf
(8)

where Gf is a geometrical constant. Calculation methods of Gf under typical electrode
configurations were proposed in previous literatures [28–30].

The simplest electrical model of a biological cell is the “single-shell model”, which
consists of an insulating shell (i.e., plasma membrane) and a conducting sphere (i.e.,
cytosol, assumed to be homogeneous) [23,27,28]. In addition, plant cells, Gram-negative
bacteria like Escherichia coli (E. coli), and fungi like Saccharomyces cerevisiae (S. cerevisiae) have
outer cell walls. The electrical model of these cells could be represented by “multi-shell
model” [31]. Based on MMT, these electrical models could be simplified step by step until
it becomes a homogeneous sphere according to following equation:

ε̃ei = ε̃i+1

(
Ri+1

Ri

)3
+ 2 × ε̃i−ε̃i+1

ε̃i+2ε̃i+1(
Ri+1

Ri

)3 − ε̃i−ε̃i+1
ε̃i+2ε̃i+1

(9)

where Ri (i = 1, 2, 3, 4) and ε̃i (i = 1, 2, 3, 4) are the radius and the complex permittivity
of each shell. ε̃ei (i = 1, 2, 3) stands for the complex permittivity of the homogeneous
sphere after i-th simplification (Figure 1A). After the third simplification, the multi-shell
model becomes homogeneous and its complex permittivity (ε̃e3) could be substituted into
Equation (7) as the complex permittivity of the cell (ε̃c).

Typically, a single cell in liquid culture is in either of two conditions: suspended in
medium or adhered to the substrate/electrode. Cells in a flow system and cells captured
in a fixed position are classified as suspended cells. The ECMs of impedance sensing
system with suspended and adherent cells have been provided for theoretically analysis
(Figure 1B) [24,26]. In ECMs, cell and medium are simply equivalent to resistors and
capacitors in series and parallel according to their electrical parameters. Besides, the
electrical double layers (EDLs), formed by the contract between metal electrodes and
electrolyte solutions, are modelled as capacitors (Cdl). Ignoring the double layer, the
impedance of a mixture system can be described as [24]:

Z̃mix =
Rm(1 + jωRcCmem)

jωRmCmem + (1 + jωRcCmem)(1 + jωRmCm)
(10)
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where Rm and Rc are the resistance of medium and cytosol, respectively. Cm, Cmem are
the capacitance of medium and cell membrane, respectively. Optimizing the dielectric
properties of suspension medium can improve the dominance of cell impedance in complex
impedance of the mixture. The PBS solution, which has the best conductivity while
maintaining the activity of biological cells, is therefore widely used in cell impedance
sensing applications.

 

Figure 1. Electrical model and equivalent circuit models (ECMs) of a single cell. (A) Multi-shell model of a single cell
simplified into a homogeneous sphere based on MMT. (B) ECMs of a cell suspended between a pair of sensing electrodes
and a cell adhered on a sensing electrode. (C) Simulation results of cell impedance sensing using an ECM model, which
presented various frequency domains corresponding to different biophysical parameters. Reproduced from [32] with the
permission from Royal Society of Chemistry.

The frequency range of cell impedance spectra is from 1 Hz to 10 GHz and could be
distinguished into three distinct dispersions (or relaxations), which are the well-known
α, β and γ dispersions [28]. The α-dispersion, occurs below several kHz, is attributed
to the polarization of cell membrane. However, it is difficult to measure due to the
domination of impedance by EDLs at low frequencies. At higher frequencies (more than
few tens of kHz), the β-dispersion exhibits characteristic sub-dispersions dominated by
double layer capacitance, cell size, cell membrane and cytoplasm. Therefore, it is the most
widely applied in the electrical impedance sensing of biological samples. The frequency
ranges corresponding each sub-dispersion has been given by simulation result using
ECMs (Figure 1C) [26]. In GHz range, the γ-dispersion arises from reorientation of water
molecules.

3. Device Designs for Sensing Single-Cell Impedance

In this section, common designs of single-cell impedance sensing devices are reviewed
first, including impedance flow cytometry to sense flowing cells and electrical impedance
spectroscopy to sense immobilized cells. Then, instruments and portable platforms to
implement impedance sensing are summarized. In the end, complementary metal-oxide-
semiconductor (CMOS) based electrical impedance devices are described.
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3.1. Impedance Flow Cytometry (IFC)

Impedance flow cytometry is a high-throughput methedology for single-cell analysis,
analogous to micro Coulter particle counter (μCPC) [32]. Compared with the μCPC, IFC
excels in miniaturization, less requirement for peripherals, and flexible integration of inter-
rogation units [33]. IFC measures the variation of response current caused by single cells
passing over patterned electrodes in a microfluidic channel. The sensitivity of IFC devices
is mainly dependent on the distribution of AC electric field in the channel. Therefore, elec-
trode configurations, namely the geometric setting of electrode pairs, must be considered
in particular [34]. Besides, the consistency of detection results can be enhanced by utilizing
particle positioning methods to ensure that suspension samples roughly pass through the
same cross-sectional position of the sensing region [35,36]. Following subsections will
describe several designs of IFC devices, as well as exemplify optimized systems reported
recently.

3.1.1. Electrode Configurations

Coplanar electrodes. In 2001, Gawad et al. proposed the first microfluidic IFC device
used for high-throughput single-cell impedance measurement at multiple frequencies [32].
As shown in Figure 2A, the basic detection unit in coplanar electrode configurations
consists of two or three electrodes positioned in the bottom of microchannel. The absolute
measurement scheme facilitates two electrodes to measure the impedance changes in
the detection space of the microfluidic channel, which has been discussed in detail in
Section 2. The current pulse caused by the passage of a flowing cell is recorded. This
scheme is typically applicable for cell counting which has no requirement of detecting
small signal changes [37]. In a differential measurement scheme, which has three electrodes,
excitation signal was applied to the intermediate electrodes and the differential current was
measured at the electrodes on both sides to provide a higher signal to noise ratio (SNR) [32].
Such a configuration enabled automatically switching between the measurement and
reference electrode pairs when a single cell passing through the sensing region. The
signal waveform of the differential current was a symmetric bipolar Gaussian shape and
gave the information about cell size and electric parameters upon frequencies. Compared
to the absolute measurement scheme, differential measurement is widely used since it
corrects uneven drift of electrode properties and enables the calculation of the flow rate of
cells [38–40]. The devices with coplanar electrodes can be easily fabricated with tiny
deviations due to the single-step alignment between the channel and metal [32].
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Figure 2. Different designs of IFC devices. (A) Schematics of absolute and differential measurement schemes of coplanar
electrode configuration. IRes refers to response current and IDiff refers to differential current. (B) Coplanar electrodes
with larger electrode area exposed to the medium. Reproduced from [39] with the permission from MDPI. (C) Coplanar
electrodes with two extra floating electrodes. Reproduced from [41] with the permission from Royal Society of Chemistry.
(D) Liquid electrodes. Reproduced from [42] with the permission from Royal Society of Chemistry. (E) Asymmetrical liquid
electrodes with the constriction channel for cell flowing [43]. (F) Schematics of absolute and differential measurement
schemes of facing electrode configuration. (G) Facing electrodes with asymmetric wiring scheme. Reproduced from [44]
with the permission from Elsevier. (H) Five pairs of facing electrodes. Reproduced from [45] with the permission from
Royal Society of Chemistry.

However, IFC devices with coplanar electrodes are sensitive to the vertical position of
samples because of the non-uniform distribution of electric field. Hence, several optimiza-
tions of coplanar electrode configurations were proposed to improve the sensing sensitivity.
As shown in Figure 2B, Clausen et al. proposed an optimized chip with larger electrode
area exposed to the medium [39]. This design allowed for more current and greater current
density between the electrodes, and thus attained an improved SNR. Xie et al. adopted
a similar design and their IFC device thus had a higher SNR (23.5–32.6 dB) [46]. Besides,
they proposed that this design scheme enabled lower amplitude of excitation signal to
reduce the potential damage to cells. Rather than seeking ways to increase current intensity
or local electric intensity, De Ninno et al. proposed a five-electrode design combining a
conventional chip layout with compensation strategy which enabled accurate size mea-
surement of particles without the need for focusing methods [41]. In this device, one
floating electrode was placed between each pair of the detection electrodes to obtain more
information with respect to the height of the particles (Figure 2C). As a result, the proposed
compensation procedure made the “electric” diameters (the estimated diameter of particle)
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closer to the actual data. Liquid electrodes proposed by Demierre et al. were designed to
address the non-uniform electric field in conventional coplanar electrode configuration
(Figure 2D) [42,47]. In these devices, electrodes were located at both ends of short channels
perpendicular to the main channel. The electrodes were far enough to generate almost
homogeneous electric field over the channel height. However, this design reduces the
sensitivity due to the larger detection volume. Besides, the liquid electrode designs are also
used for focusing particle stream based on the principle of dielectrophoresis [48,49].

In order to compare the performance of different coplanar electrode designs, Cottet
et al. evaluated the vertical and lateral sensitivity of four typical layouts [50]. As a result,
the design with a longer constriction channel was considered as the best candidate since
it was relatively insensitive to the particle height or longitudinal misalignment in the
fabrication process.

Facing electrodes. Facing electrode design was firstly proposed by Cheung et al. [51].
In this configuration, the electrodes are positioned at the top and bottom of the channel
and thus eliminate the electric field non-uniformity to some extent (Figure 2F). As the
electric field is limited to smaller volume, this design has improved sensitivity largely.
Absolute measurement schemes are usually used for simple cell counting and there-
fore require less sensitivity. Thus, absolute measurement schemes are rarely used in
practical applications, while differential measurement scheme is widely used in many
prototypes [52–54]. However, the fabrication process of facing electrode design needs accu-
rate alignment of electrodes patterned at different substrates, leading to higher fabrication
difficulty.

In order to obtain impedance information related to the vertical height of the single
cells, Caselli et al. proposed an asymmetric wiring scheme (Figure 2G) [44]. This solution
can improve the precision level of particle diameter measurement to a certain extent and
simply compensate the signal impedance of eccentric particles. Besides, in order to obtain
impedance data with high accuracy, Spencer et al. proposed a new design of multiple
pairs of facing electrodes with an impedance signal processing algorithm, minimizing the
influence of the vertical height of the particle on the impedance signal (Figure 2H) [45].

3.1.2. Particle Positioning

The relative position of particles passing through the detection area between electrode
pairs has great effects on the detection stability and repeatability, especially in coplanar
electrode design [37,55,56]. Except for reducing the cross-sectional area of the channel,
constriction channels and various methods of focusing particles have been proposed in
order to obtain higher impedance signal quality.

Constriction channel. Due to the lack of close contact between cells and electrodes
when cell passing through the detection area, the electric current tends to bypass the
cells by flowing through the surrounding medium. In order to solve this problem, Chen
et al. applied the constriction channel design in a μCPC device [57]. In this design,
cells were pressed and elongated when flowing into the constriction channel. Constriction
channel allows for more accurate detection of specific membrane capacitance and cytoplasm
conductivity, thus increasing the classification success rate of different cell populations [58].
Hence, it has been used for screening various types of single cells, such as blood cells [59],
tumor cells [43,58] and plant cells [60]. Due to the cross-sectional area of the constriction
channel must be smaller than the size of the interested cells, this design has higher risk of
channel blockage and lower throughput. To this end, Zhao et al. proposed the crossing
constriction channel design with bypass outlet, which allowed large particles passing
through to address the possible blockage of the constriction channel [58]. Furthermore, in
order to improve the accuracy of cell classification, they introduced asymmetrical liquid
electrodes to obtain cell diameter (Figure 2E) [43]. In this method, the measured impedance
is proportional to the elongated length of the cell, so that the relative volume of the cell can
be calculated. The passage time for cells to pass through the constriction channel is related
to cellular mechanical properties. In order to obtain the passage time, Han et al. introduced
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a pairs of coplanar electrodes at the inlet and outlet of the constriction channel [60]. The
time point when a cell passes through each sensing unit is recorded, and then the passage
time can be calculated according to the time interval for a cell from a sensing unit to another.

Particle focusing. Although particle focusing system sometimes increases the device
complexity, it is commonly integrated in IFC devices for eliminating the influence of sec-
tional position on impedance signals. Various particle focusing systems based on different
technologies have been reported such as hydrodynamic focusing [37,61,62], acoustophoretic
focusing [63–65], dielectrophoretic focusing [66,67] and inertial focusing [68]. Hydrody-
namic focusing enables the sample flow to be coated by sheath flow and focused into
a narrow stream either horizontally or vertically. This conventional method minimized
the potential for two or more particles to enter the detection region simultaneously and
ensures a uniform particles velocity. Acoustophoretic focusing methods are based on
either traveling surface acoustic waves (TSAWs) [64] or standing surface acoustic waves
(SSAWs) [65] to manipulate particles. The principle of dielectrophoresis (DEP) focusing is
that a neutral but polarizable particle is subjected to DEP force in a nonuniform electric
field. Since the DEP forces depend on the size and dielectric properties of the particles,
it can also be used for single-cell trapping and separating. Inertial focusing, as a passive
focusing method, depends on special channel structure and high particle flow velocity.

3.2. Electrical Impedance Spectroscopy (EIS) Sensing Devices

EIS sensing is suitable for real-time monitoring and tracking of a limited number
of cells simultaneously. For in-situ EIS measurements, frequency sweeping takes several
seconds every time, which requires the stable capture of single cells as a prerequisite [24].
Therefore, various trapping methods have been proposed for positioning single cells in
microfluidic channel. Alternatively, single cells can be directly adhered onto the electrode
or substrate for electric cell-substrate impedance sensing. Additional progress has been
also made to increase the throughput of EIS devices.

3.2.1. Trapping of Suspended Single Cells

The methods to trap suspended single cells include hydrodynamic traps [69–73],
negative pressure traps [74–76], DEP trapping [77–80] and optical manipulation [81]. Hy-
drodynamic traps are the most common design to position single cells in microfluidic
devices, and usually consist of simple microstructures (such as U-shaped or three-pillar
traps [69,71,73]) or special fluid channels (such as μ-fluidic traps [70,72]) to dock numerous
single cells synchronously in a short time. Di Carlo et al. captured approximately 100 iso-
lated HeLa cells by a U-shaped trap array and achieved the cell maintenance over 85% after
24 h [69]. Tang et al. applied the μ-fluidic microstructures to achieve a high cell-trapping
rate of 95% (Figure 3A) [82]. In negative pressure trapping system, one or more suction
channels are connected to the side or bottom of the cell-perfusion channel [74–76]. By
applying negative pressure to the suction channel, single cells could be trapped in vias
or slits which are the connection points of cell-perfusion channel and suction channels.
Although such devices are complex in design and fabrication, negative pressure traps
allow for selective capture and release of redundant or unwanted cells [76]. Han et al.
demonstrated a system with backside suction channels to capture HeLa cells in cavity
pores [75]. Since the diameter of the pore is between that of HeLa cells and blood cells,
most of the HeLa cells could be separated from the spiked blood samples. DEP trapping
could be used to perform accurate and selective capture of specific samples, as the DEP
force depends on the dielectric properties of single cells and the frequency of applied
electric field [79]. Besides, DEP force was also used to release redundant cells to achieve
a uniform single-cell trapping [83]. Electrode configuration schemes for DEP trapping
include quadrupole electrode array [77,78], microwells [79,80], and ‘ring-dot’ electrode
structures [84]. As a representative, the quadrupole electrode array, proposed by Heida
et al., could generate DEP force to repel cells away from electrodes and towards the array
center (Figure 3B) [78]. Optical methods were used to manipulate single cells with a high
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precision. The liquid resin containing target cells could be rapidly polymerized under
laser exposure and formed traps of specific shape. As such, Xu et al. performed real-time
two-photon-lithography to capture single cells and achieved a high capture efficiency of
100% on a one-bead-to-one-trap basis [81].

 

Figure 3. Different designs of EIS devices and schematics of single-cell EIS sensing system with lock-in amplifier.
(A) Schematics of μ-fluidic traps to immobilize single cells in a cellular EIS sensing device [82]. (B) Quadrupole elec-
trode array to gather cells towards the center. The phase difference of applied AC signals between adjacent electrodes is
180◦ [78]. (C) A three-dimensional (3D) single-cell culturing device to detect HeLa cell migration. Reproduced from [85]
with the permission from American Chemical Society. (D) An addressable microelectrode array to perform single-cell
immobilization and localized EIS measurement. Reproduced from [86] with the permission from John Wiley and Sons. (E)
Schematics of single-cell impedance sensing system with lock-in amplifier.

3.2.2. Electrical Cell-Substrate Impedance Sensing (ECIS)

ECIS is a well-established technology developed to assess cellular behavior or re-
sponses to drug candidates by measuring the impedance of live cells adhered on the
electrode surface [87,88]. As cells proliferate and spread on the surface of sensing elec-
trodes, electrical current is interfered immediately and thus resulting in a drastic change in
the measured impedance. Besides, ECIS could combine with a variety of single-cell manipu-
lation techniques to perform single-cell impedance measurement [85,89–92]. Tsai et al. [91]
used micro pillars to trap single HeLa cells in a microfluidic system and monitor their ad-
hesion and spreading Zhang et al. applied DEP trapping to HeLa cells and monitored their
adhesion, response to drugs, steady growth and differentiation by ECIS [92]. In addition,
surface modification could be used to promote cell adhesion on metal electrodes rather
than glass or plastic substrate [87,93]. Shah et al. modified the surface of the SU-8 substrate
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sequentially with mNH2 linked PEG (Amino functionalized methoxyl polyethylene glycol)
to avoid any nonspecific cell adhesion near the sensing electrode and, thus, eliminate the
unnecessary cell crosstalk [93]. Nguyen et al. proposed a microfluidic chip with remov-
able PDMS cover lid which enabled building up a two-dimensional or three-dimensional
microenvironment for investigating single cancer cell migration (Figure 3C) [85].

3.2.3. Advanced Design to Increase the Throughput of EIS Devices

Typically, conventional EIS devices can monitor less than 20 cells simultaneously [94,95].
Although simple devices are useful for low-cost assays, they result in tedious repetition of
experiments and reduced data reliability in applications, which usually require long-term
monitoring of a large population of samples. In these devices, on-chip impedance sensors
are connected with respective bond pads for external interconnection [83,85], where the
dimension of sensors is limited by the chip margin. To solve this problem, individually
addressable microelectrode arrays (MEAs) are proposed to be incorporated into EIS sensing
devices [86,96]. In these devices, two sets of n microelectrode bars are arranged orthogo-
nally to form a sensing array of n × n sites with only 2n bond pads (Figure 3D) [86]. Each
sensing unit at the crossing position can be addressed individually by external multiplexers.
Guo et al. reported a microarray chip integrated with two MEAs for cell positioning and
impedance monitoring, respectively [96]. Geng et al. proposed the design of a MEA chip
to measure the replicative lifespan (RLS) of budding yeasts and assessed the influence
of neighbor samples upon the site-specific impedance measurement [86]. Alternatively,
CMOS integrated circuit could be utilized to overcome the limitation of the number of EIS
sensing units by integrating electrodes and addressing circuit (see Section 3.4).

3.3. Instruments and Portable Platforms for Electrical Impedance Sensing Technology

Impedance converter and lock-in amplifier (LIA) are commonly used to measure the
impedance of single cells. The impedance converter is an AC self-balancing bridge, which
consists of a simple op-amplifier and a feedback resistor (Figure 3E) [97]. In this approach,
an AC excitation signal Vin is input to one port of the device under test (DUT), and the
feedback resistor Rf shares the same current flowing through the DUT. Ideally, without
any phase shift of the op-amplifier, the current flowing through the DUT is proportional to
the voltage on Rf. Then the DUT complex impedance can be calculated from the output
voltage Vout. LIA, also known as the phase-sensitive detector, is capable of extracting
weak signals from noisy background (Figure 3E) [98]. The output voltage Vout, termed
as signal under test (SUT), is multiplied by in-phase and quadrature carrier signal Vc,
whose frequency is the same as that of Vin. Then, the amplitude and phase of SUT are
extracted with correlative demodulation by carrier signal at the same reference frequency.
Benchtop instruments, including several versions of LIAs developed by Stanford Research
Systems Inc. (Sunnyvale, CA, USA), Zurich Instruments AG (Zurich, Switzerland), NF corp.
(Yokohama, Japan), SBT instruments (Copenhagen, Denmark), Sine Scientific Instruments
(Guangzhou, China) and Liquid Instruments (Lyneham, Australia), respectively, are usually
interconnected directly or through custom printed circuit boards (PCBs) to the microfluidic
devices [99–104]. Here, PCBs are typically functionalized with control modules such as
multiplexers to activate target sensing electrodes on the devices.

Device integration leads to cost saving, while portable system serves for more situa-
tions. Motivated by this, researchers began to integrate impedance measuring circuit on
custom PCBs. As a representative, the integrated circuit chip AD5933, a low-cost impedance
analyzer system, has been introduced in embedded portable systems [105]. Notably, the
frequency range of this system is only up to 100 kHz, and its accuracy is lower than that
of benchtop instruments. Huang et al. developed a wide-band digital lock-in amplifier
(DLIA), which features a low input noise of 4.4 nV/

√
Hz, 120 dB dynamic reserve and a

phase deviation of less than 0.02◦ through the whole frequency range up to 65 MHz [106].
This portable EIS system has been demonstrated by impedance measurements of three sets
of micro beads with different diameters.
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3.4. CMOS-Based Impedance Sensing Devices

The miniaturization and portability of single-cell impedance sensing devices can be
achieved by harnessing CMOS integrated circuit (IC) technology. CMOS IC chips have been
reported as an alternative to measure biological impedance at single-cell level, showing
the trend of impedance sensing system in the integration level [107,108]. However, the alu-
minum (Al) microelectrodes fabricated by standard CMOS processes are not biocompatible
due to the biological toxicity and chemical activity of Al. Therefore, the microelectrodes
are covered with gold (Au) or platinum (Pt) layer to obtain better biocompatibility and
chemical inertness [107]. Since its substrate is replaced by large scale integrated circuits,
such devices enable tens of thousands of sensing units featuring individually addressable
microelectrodes. Chen et al. developed a high-throughput EIS sensing platform consisting
of a 96 × 96 microelectrode array for tumor cell counting and analysis [107]. This CMOS
chip was packaged with a PCB that contains multiplexers and the EIS measurement of
cells was implemented by a LCR meter. The size of microelectrodes approximates to the
scale of target cells for better sensitivity, resulting in a weak current of about 100 pA that is
easily submerged in the noise. To overcome this problem, Gamo et al. introduced a current
integrator acting as a I-V converter to effectively suppress noise and measure weak current
signals [108]. More efforts are required to achieve the complete integration of impedance
sensing circuitry on CMOS chip. Visvam et al. reported a high-density CMOS MEA system,
including a programmable waveform generator, 59,760 platinum microelectrodes and 32
on-chip lock-in amplifiers for impedance sensing [109]. This improved integration level
contributes to superior sensing and actuation capabilities and high signal quality.

4. Applications of Single-Cell Impedance Sensing Technology

4.1. IFC to Detect Flowing Single Cells

Recent IFC devices applied in single-cell analysis are summarized in Table 1. These
applications, discussed in this subsection, are simply classified according to cell species,
including blood cells [110–114], tumor cells [43,52,115–122], stem cells [123–127], plant
cells [60,128–132] and microbes [53,62,133–141]. In terms of blood cells, researchers focused
on the identification and counting of normal or diseased blood cells. Studies showed
the capability of IFC devices in recognition of different types of dissociated tumor cells
(DTCs) [43,118,120,121] or circulating tumor cells (CTCs) [52,115,119,122]. As for stem
cells, the main focus is the impedance measurement of their long-term differentiation
process. Studies of plant cells include the detection of pollen viability [128–132] and cell
screening [60]. Besides, impedance measurements of microbes are further classified and
discussed.

Table 1. Applications of IFC for single-cell analysis.

Category
First Author

(Year)
Electrode and Fluidic

Layouts
Frequency Target Cells Application Ref.

Blood
cells

Holmes (2010) 2 coplanar electrode pairs 503 kHz and
10 MHz CD4 T-cells Cell counting [112]

Du (2013) 1 coplanar electrode pair 2 MHz Red blood cells
Detection of

malaria-infected
cells

[113]

Hassan (2016) 2 coplanar electrode pairs 303 kHz and
1.7 MHz CD4 and CD8 T-cells Cell counting [111]

Liu (2018) 2 coplanar electrode pairs 156 kHz, 500 kHz
and 3 MHz Red blood cells Detection of sickle

cells [110]

Honrdo (2018) 2 facing electrode pairs,
fluorescence detection 2–8 MHz Red blood cells

Detection of
malaria-infected

cells
[114]
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Table 1. Cont.

Category
First Author

(Year)
Electrode and Fluidic

Layouts
Frequency Target Cells Application Ref.

Tumor
cells

Choi (2013) Two polyelectrolyte
gel electrodes DC OVCAR-3 cells Cell recognition [115]

Spencer (2014) 2 facing electrode pairs 0.5 MHz and 2 MHz MCF-7 cells Cell recognition [52]

Han (2015) 2 facing electrode pairs 500 kHz and
10 MHz DLD-1 cells Cell recognition [116]

Zhao (2016) μCPC with constriction
channel 1 kHz and 100 kHz A549 and H1299 cells Cell screening [117]

Desai (2019) 2 coplanar electrode pairs,
sheath flow focusing 250 kHz

Thyroid, breast, lung,
and ovarian cancer

cells
Cell recognition [118]

Ren (2019) 1 coplanar electrode pair,
2 constriction channels

1 kHz, 10 kHz,
100 kHz, and

1 MHz
MDA-MB-231 cells Cell recognition [119]

McGrath (2020) 5 facing electrode pairs 500 kHz–50 MHz
Six types of pancreatic

ductal
adenocarcinoma cell

Cell screening [120]

Ostermann (2020) 2 facing electrode pairs 6 MHz U937 cells Viability assay [121]

Zhang (2020)
1 coplanar electrode pair,
asymmetrical constriction

channel

100 kHz and
250 kHz

A549 and Hep G2
cells Cell screening [43]

Stem
cells

Song (2016) C-shaped arranged
coplanar electrodes 500 kHz and 3 MHz Mesenchymal stem

cells

Monitoring
differentiation

process
[125]

Xavier (2017) 2 facing electrode pairs,
fluorescence detection 500 Hz and 2MHz Skeletal stem cells

Monitoring
differentiation

process
[127]

Plant
cells

Heidmann (2016) 2 facing electrode pairs 500 Hz and 12 MHz Tobacco pollen Viability assay [128]

Heidmann (2017) 2 facing electrode pairs 500 kHz, 3 MHz
and 12 MHz

Tomato, pepper,
potato

and wind pollinators
pollen

Viability assay [129]

Impe (2019) 2 facing electrode pairs 1 MHz Wheat pollen Viability assay [130]
Ascari (2020) 2 facing electrode pairs 2 MHz and 8 MHz Hazelnut pollen Viability assay [131]

Canonge (2020) 2 facing electrode pairs 500 kHz and
12 MHz Wheat microspore

Monitoring
androgenesis

process
[132]

Han (2020) 2 coplanar electrode pairs,
constriction channel 500 kHz and 5 MHz

Herbaceous
Arabidopsis

thaliana and woody
Populus trichocarpa

Cell screening [60]

Microbes

Choi (2014)
2 polyelectrolytic gel

electrodes,
sheath focusing

DC F. tularensis and E. coli Cell recognition [62]

Mcgrath (2017) 2 facing electrode pairs 250 kHz, 18.3 MHz
and 50 MHz C. parvum Viability assay [136]

Guler (2018) 1 coplanar electrode pairs 2 MHz E. coli Cell recognition [135]

Clausen (2018) 2 coplanar electrode pairs
2 facing electrode pairs 200 kHz and 7 MHz E. coli Cell recognition [53]

Chawla (2018) 1 coplanar electrode pairs 1.12 MHz and
1.5 MHz S. cerevisiae cells Monitoring cell

growth rate [137]

Xie (2019) 1 coplanar electrode pairs 1 MHz S. cerevisiae cells
Reproductive
performance
assessment

[139]

Opitz (2019) 2 facing electrode pairs 0.5 MHz, 10 MHz
and 12 MHz S. cerevisiae cells Viability assay [138]

Bertelsen (2020) 2 facing electrode pairs 366 kHz and
6.9 MHz E. coli

Determination of
the viability of E.

coli
[140]

Spencer (2020) 4 facing electrode pairs 5 MHz and 40 MHz K. pneumoniae Antimicrobial
susceptibility tests [141]
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4.1.1. Blood Cells

Sickle cell disease (SCD), which causes sclerosis and membrane distortion in red
blood cells (RBCs), brings about variation in cellular electrical properties [142]. Liu et al.
combined on-chip oxygen control onto a single IFC chip for sickle cell disease diagnosis
and monitoring [110]. They measured the electrical impedance of normal cells and sick
cells at three different frequencies under normoxic and hypoxic conditions, respectively. As
shown in Figure 4A, normal RBCs and sickle cells were separated clearly according to the
measured impedance amplitude and phase value at 156 kHz under the normoxic condition.
The results suggested that electrical impedance could serve as a new parameter to diagnose
sickle cell disease. Parasite invasion can alter the dielectric properties of RBCs [113,143].
Du et al. demonstrated the discrimination of normal RBCs and P. falciparum-infected
RBCs through analyzing the changes in the impedance signal amplitude and phase [113].
Honrado et al. developed an IFC device integrated with fluorescence interrogation to
detect the dielectric properties of RBCs infected by malaria (Figure 4(Bi)) [114]. As a result,
for early-stage infection (6 h), infected cells and normal cells were not distinguishable
according to their impedance signals. However, as parasite growth progressed, the mem-
brane capacitance and cytoplasmic conductivity of infected RBCs increased and thus the
discrimination between two cell populations gradually became detectable (Figure 4(Bii)).

 

Figure 4. Blood cell analysis using IFC devices. (A) Measurement of Δ|Z| vs. Δθ for normal and sickle RBCs at 156 kHz.
Reproduced from [110] with the permission from Elsevier. (B) (i) Schematics of a IFC device integrated fluorescence
detection. (ii) Measurement of normalized phase (ΦZ5MHz) vs. amplitude (|Z5MHz|) at 6 h and 42 h after RBC infection.
u-RBCs and i-RBCs stand for uninfected and infected RBCs. Reproduced from [114] with the permission from Royal Society.
(C) (i) Photograph and layout of the differential immunocapture biochip. (ii) Pulse amplitudes of recorded impedance
signals showing the size distribution of cells. Lymphocytes and granulocytes + monocytes are two groups of distinct
populations of leukocytes. Reproduced from [111] with the permission from Springer Nature.

Holmes et al. discriminated and enumerated CD4 T-cells based on impedance cy-
tometry and immune capture [112,144]. In their study, CD4 T-cells were labeled with
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small antibody conjugated beads, which changed the electrical properties of target T-
cells. Hence, CD4 T-cells could be identified from their corresponding subpopulations
based on impedance opacity (|Z10MHz|/|Z503kHz|). Recently, Hassan et al. reported an
impedance biosensor based on differential immunocapture technology to perform cell
counting on CD4 and CD8 T-cells with high accuracy (Figure 4(Ci)) [111,145,146]. In this
device, antibodies specific to CD4 T-cells were initially adsorbed on a chamber between
two conventional IFC modules. As the leukocytes flowed into the chamber, CD4 T-cells
were captured and immobilized on the antibodies (Figure 4(Cii)). The cell number of each
population can be calculated according to the impedance pulses caused by the passage of
cells through the chamber. This protocol can be used to enumerate specific cell types with
their corresponding antibodies immobilized in the capture chamber.

4.1.2. Tumor Cells

Tumor diagnosis is underpinned by determining which cells are malignant in acquired
biopsy, leading to the need to accurately distinguish DTCs from normal cells in tissue [2].
Zhao et al. classified two tumor cell lines (A549 and H1299) based on different cellular
membrane capacitance (Cm) and cytoplasm conductivity (σp) [117]. Desai et al. separated
lung cancer DTCs (LC-DTCs) from RBCs, peripheral blood mononucleated cells (PBMCs)
and normal lung cells based on impedance amplitude [118]. When LC-DTCs pass through
the coplanar electrodes, impedance amplitude signal generates more significant pulse
compared to that of normal cells. They also determined five major cancer types (lung,
thyroid, breast, ovarian, and kidney cancers) from their corresponding counterpart target
cells. Pancreatic ductal adenocarcinoma (PDAC) is an aggressive cancer lacking specific
biomarkers. Aimed at this situation, McGrath et al. reported an IFC device to separate
single PDAC tumor cells against xenografts [120]. They found that the phase of impedance
signal of six PDAC cell types showed some correlations to specific gene expression, espe-
cially the KRAS mutations that led to higher phase variation. T188 and T738 are primary
stage tumors with unknown KRAS mutations showing lower impedance phase contrast
than other PDAC samples. Zhang et al. developed a microfluidic IFC platform with
asymmetrical constriction channel to better detect the dielectric properties and diameters
of different types of single tumor cells (Figure 2E) [43]. The classification accuracy between
two tumor cell lines, A459 and HEP G2 cells, could be significantly improved with the
combination of the individual intrinsic bioelectrical markers of membrane capacitance,
cytoplasm conductivity and cell diameter. Besides, Ostermann et al. reported that necrotic
and viable U937 human lymphoma cells could be clearly discriminated based on the phase
of impedance signals by using a commercial IFC device [121]. Dead and viable cells can be
discriminated by impedance signals at high frequency as the imaginary component of cell
impedance depends on the membrane integrity of the cell (Figure 5A).

Identification and characterization of CTCs in blood stream is key to monitor the
progression of cancer metastasis [122]. Choi et al. proposed a simple DC impedance
microcytometer for identifying CTCs according to the cell volume [115]. Ren et al. reported
an IFC device featuring parallel cyclic deformability channels and coplanar electrodes,
to collect both biomechanical and bioelectrical properties for tumor cell analysis [119].
The deformation and transition time of tumor cells could be obtained from the time
points when impedance amplitude changes abruptly (Figure 5B). In clinical application,
due to the very small amount of CTCs in a blood sample, it is necessary to pre-enrich
CTCs before measurement [52,116]. According to the different membrane capacitance
between tumor cells and normal PBMCs, Spencer et al. measured the dielectric properties
of MCF-7 cells (a representative of CTCs) at 500 kHz and 2 MHz and distinguished
them from leukocytes when mixed in the whole blood [52]. Compared with optical
approaches, electrical impedance measurement shows better performance in separating
MCF-7 cells from other blood cells (Figure 5C). Besides, Han et al. reported a microfluidic
system integrated with both enrichment and impedance detection units to discriminate
CTCs [116]. In this study, immunomagnetic nanobeads (MNBs) and highly-conductive
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graphene nanoplates (GNPs) were bonded to the surface of DLD-1 cells (a representative
colorectal cancer cell line). Compared with normal blood cells, the impedance signal
of DLD-1 cells coated with GNPs shows a phase shift of 100 degrees for identification
(Figure 5D), successfully.

 

Figure 5. Tumor cell analysis using IFC devices. (A) Scatter plot of amplitude and phase values at 6 MHz for necrotic
and viable U937 human lymphoma cells and 10-μm beads. Reproduced from [121] with the permission from Springer
Nature. (B) Recording of the impedance variation when a breast cancer cell (MDA-MB-231) passing through the constriction
channel. Reproduced from [119] with the permission from American Institute of Physics. (C) Scatter plot of opacity
(|Z2MHz|/|Z500kHz|) and electric diameter (|Z500kHz|1/3) for MCF-7 cells and other blood cells. Reproduced from [52]
with the permission from AIP Publishing. (D) Scatter plot of impedance amplitude (|Z10MHz|) and phase (ΦZ500kHz) to
classify white blood cells, bare DLD-1 cells and DLD-1 cells coated by GNPs. Reproduced from [116] with the permission
from American Chemical Society.

4.1.3. Stem Cells

Hildebrandt et al. demonstrated that the osteogenic differentiation process of human
mesenchymal stem cells (hMSCs) could be monitored by tracking their impedance varia-
tion [123]. Song et al. was the first to propose a dual-micropore microfluidic IFC device
to monitor the same differentiation process (Figure 6(Ai)) [124,125]. In this device, when
MSCs or osteoblasts passed through micropores, a pulse in impedance amplitude was
recorded to determine the proportion of differentiated cells at each stage [125]. Moreover,
a support vector machine (SVM) algorithm was employed in data analysis to reach a
classification accuracy of 87%. It is notable that the training data set of SVM included
a total number of 1028 impedance signals combining both relative phase at 3 MHz and
impedance opacity (|Z2MHz|/|Z500kHz|). The optimal SVM-based model was also used
to characterize the differentiation process (from MSCs into osteoblasts), in which the pro-
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portion of osteoblasts was increasing while that of MSCs was decreasing (Figure 6(Aii)).
Zhao et al. reported that the intercellular electrical markers, such as specific membrane
capacitance (Cspecific membrane) and cytoplasm conductivity (σcytoplasm) of neural stem cells
could be used to evaluate their differentiation processes [126]. During different stages
of differentiation, the distribution difference of Cspecific membrane differs a lot from that of
σcytoplasm (Figure 6B). Besides, Xavier et al. developed an IFC device equipped with two
pairs of facing electrodes combined with confocal microscopic monitoring of the osteogenic
differentiation of skeletal stem cells (SSCs) (Figure 6(Ci)) [127]. The sample of human
bone marrow mononuclear cells (hBMMNCs) extracted from human bone marrow (BM)
were cultured in vitro and was injected into a microfluidic chip for impedance detection
every two weeks. Changes in the opacity (|Z2MHz|/|Z500kHz|) of impedance data could
characterize the osteoblast differentiation process of SSCs. (Figure 6(Cii)). In the first two
weeks (from BM to P0), the decreased opacity corresponded to the increased cell size and
membrane capacitance during SSCs osteogenic differentiation. After P0, there was no
significant change of opacity indicating the completion of osteogenic differentiation.

 

Figure 6. Stem cell analysis using IFC devices. (A) (i) Schematics of a dual-micropore based IFC device consisting of
a main channel and two deputy channels through micropores. (ii) Scatter plot of signal phase at 3 MHz vs. opacity
(|Z3MHz|/|Z500kHz|) for hMSCs and osteoblasts at 7 days (on the left) and 14 days (on the right) after post-induction.
Reproduced from [125] with the permission from Royal Society of Chemistry. (B) Cspecific membrane and σcytoplasm variations
of rat neural stem cells within the differentiation process of 7 days. Reproduced from [126] with the permission from Public
Library of Science. (C) (i) Schematics of an IFC device integrated fluorescence detection. (ii) Changes of impedance signal
opacity (|Z2MHz|/|Z500kHz|) within 56 days SSCs differentiation process. Reproduced from [127] with the permission
from Royal Society.

4.1.4. Plant Cells

Qualifying pollen or spores, especially their viability and germination capacity, is
important for industrial production and plant breeding [128]. Heidmann et al. measured
the viability of pollen samples by using a commercial impedance device [128,129]. In one
of these studies, pollen samples were measured before and after heat treatment [128]. As
a result, larger phase of the impedance signal corresponding to viable samples was no
longer presented after heat-inactivation, which suggested that heat treatment inactivated
the pollen samples and destroyed the integrity of cell membrane. Furthermore, Heidmann
et al. predicted the germination rate of tomato pollen population by measuring the amount
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of viable and dead pollens [129]. Impe et al. [130] and Ascari et al. [131] assessed pollen
viability of hazelnut and wheat, and further identified various factors (sugar, H3BO3,
CaCl2·2H2O/Ca(NO3)2·2H2O concentration and pH) affecting pollen viability with the
same commercial device. Canonge et al. utilized the IFC device to track and characterize
the developmental process of wheat (Triticum aestivum L.) genotype Pavon microspores in
gametogenesis and anrogenesis [132]. According to this study, throughout all sporophytic
developmental stages, some of the viable microspores showed a continuous increase in
both impedance amplitude and phase. As a result, electrical impedance could serve as a
fast and reliable reactivity marker for tracking wheat microspores in androgenesis.

The biological and physiological properties of cell wall unique to plant cells offer
the potential to increase phenotyping resolution and identify nonanatomic markers [147].
Han et al. developed an IFC device to characterize the biophysical properties of two
model plant species, herbaceous Arabidopsis thaliana and woody Populus trichocarpa [60].
In the regeneration process of primary cell wall (PCW), plant cells are gradually covered
by the fibrillary network, which becomes thick and interlaced, resulting in the decrease
of capacitance of cell membrane and PCW [148]. Thus, the researchers found that the
Arabidopsis cells with regenerated PCW were less deformable and electrically conductive
than that without PCW.

4.1.5. Microbes

IFC devices have been utilized extensively in detection, separation and viability analysis
of unicellular microbes, including bacteria [53,62,133–135,140,141], protozoa [136,149] and
fungi [137–139].

Bernabini et al. demonstrated the feasibility to detect bacteria according to cell size
in an IFC device [133]. This device features small cross-sectional area of the flow channel
and narrow width of electrodes, since the size of bacteria is usually smaller than that of
mammalian cells. Without the measurement of signal phase, E. coli could be identified by
volume rather than membrane capacitance, and thus E. coli was indistinguishable from
particles in similar size [133]. To solve this problem, phase metric was introduced and thus
the viability and species of bacteria could be determined [134]. In order to precisely measure
the diameter of different bacterium, Choi reported an IFC device with position-adjustable
virtual wall [62]. The movement of virtual wall is modulated by adjusting the flow rate
of sample suspension focused by low conductive sheath flow. The cross-sectional area
of sample flow could be adjusted to approximate that of bacteria, making the impedance
changes caused by the bacteria passage more significant (Figure 7A). Recently, Guler et al.
merged the amplitude and phase information of impedance signals to achieve higher size
sensitivity and detection throughput of bacteria (Figure 7B) [135]. Besides, Clausen et al.
used two simple IFC devices with coplanar and facing electrodes, respectively, to detect
different types of bacteria [53]. These IFC devices could be used to accurately measure
any change in bacteria concentration and distinguish methicillin-sensitive Staphylococcus
aureus (MSSA) from E. coli according to the impedance phase signal at 8 MHz (Figure 7C).
Moreover, Bertelsen et al. detected and characterized E. coli inactivated by ethanol, heat
and autoclaving, respectively [140]. The population of ethanol-treated bacteria showed a
similar amplitude to 1.5-μm polystyrene beads, which was consistent with the hypothesis
of membrane disruption. Supported by the experimental data, ethanol treatment caused
membrane disruption while heat process did no obvious harm to cell membrane. In detail,
the loss of membrane integrity corresponded to changes in impedance signal amplitude and
phase (Figure 7D). Notably, Spencer et al. developed a method to optimize the prescription
of antibiotic by an impedance-based fast antimicrobial susceptibility test (iFAST) [141]. By
applying microfluidic impedance cytometry with differential electrode configuration, the
phenotype response (electrical opacity and electrical diameter) of Klebsiella pneumoniae (K.
pneumoniae) to specific antibiotic was accurately analyzed.
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Figure 7. Bacteria analysis using IFC devices. (A) (i) Schematics of an IFC device with position-adjustable virtual wall.
(ii) Histograms of bacteria and particle counts in distribution of calculated diameter derived from impedance signals.
Reproduced from [62] with the permission from Royal Society of Chemistry. (B) Scatter plots of impedance signal amplitude
and phase changes at 2 MHz for E. coli and 2-μm beads. Reproduced from [135] with the permission from Elsevier. (C)
Histograms of cell counts in distribution of impedance signal phase at 8 MHz for E. coli, MSSA and E. coli + MSSA + beads.
Reproduced from [53] with the permission from MDPI. (D) Scatter plots of impedance signal amplitude and phase at low
(366 kHz) and high frequencies (6.9 MHz) for E. coli with ethanol and heat treatment. Reproduced from [140] with the
permission from MDPI.

Besides, accurate recognition and viability analysis of protozoan pathogens have
advanced in parasitic diseases diagnosis of human and livestock [149]. To this end, Mcgrath
et al. detected single protozoan oocysts utilizing a continuous IFC system [136]. The heat
treatment performed on Cryptosporidium parvum (C. parvum) lowered the impedance signal
amplitude and phase especially at high frequency representing the internal properties of
the oocyst (50 MHz) (Figure 8(Ai)). The difference of viable and inactive populations can be
enhanced by increasing the conductivity of medium suspension. In addition, according to
the amplitude at 250 kHz and phase at 18.3 MHz, the major human-pathogenic species (C.
parvum, Cryptosporidium muris (C. muris) and Giardia Lamblia (G. lamblia)) were discriminated
from other parasite species that posed little or no risk to human health (Figure 8(Aii)).

Yeast cells, easily accessible and culturable, have been widely used as an important
model organism to study cell growth and division in cell cycle progression [94]. Xie et al.
optimized an IFC device with a constriction channel to detect the size of single budding
yeast (S. cerevisiae) cells and calculate the late-budding rates of populations [139]. As shown
in Figure 8B, due to the impact of velocity gradient near the constriction channel, rod
particles are aligned with the electric field lines, so that the length of rod particles could be
assessed by pulse width of impedance amplitude at 1 MHz. In this way, rod and spherical
particles could be clearly discriminated. Moreover, late-budding yeast, namely mother
cell with a daughter cell that is nearly mature, can be viewed as a rod-shaped cell, while
other yeast is approximately oval. Using the same principle, the shape of target cells as
well as the budding stages can be obtained. In another work, Chawla et al. developed a
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microfluidic platform allowing for long-term culturing and independent monitoring of
growth rate of budding yeast (Figure 8(Ci)) [137]. In this device, multiple cell populations
were anchored to pads and their daughter cells were then washed away, flowing through
the impedance sensing unit. By analyzing the impedance signal phase at 1.5 MHz, passages
of cells through electrodes were recorded. Then by counting the flowing cells in unit time,
the growth rate of cell population can be calculated. As shown in Figure 8(Cii), the phase
fluctuated drastically as the cell passes through the electrodes, and each phase pulse
corresponds to a single cell flowing through the sensing area. This device enabled culturing
and monitoring of various groups of budding yeast simultaneously. At the same time, cell
populations can be exposed to different medium solution and their growth rates can be
calculated indirectly from impedance signal phase. In addition, Opitz et al. focused on
monitoring and analyzing of yeast population under different culturing conditions [138].
In their study, impedance signals at 12 MHz were analyzed to characterize cell viability
in a three-day brewing process. On the first day, the high phase indicated that the cell
population had high viability and they began to breed by large numbers (Figure 8D). By
the end of the third day, the cell population showed lower viability. The cell loss could be
ascribed to the depletion of oxygen and the accumulated ethanol.

 

Figure 8. Microbial analysis using IFC devices. (A) (i) Scatter plot of phase (ΦZ50MHz) vs. amplitude (|Z50MHz|) for
heat-inactivated and untreated C. parvum. (ii) Scatter plot of phase (ΦZ18.3MHz) vs. amplitude (|Z250kHz|) for C. parvum,
C. muris and G. lamblia. Reproduced from [136] with the permission from Nature. (B) Histograms of particle counts in
distribution of signal pulse width measured at 1 MHz. Width refers to the time that yeast cells take to pass through
the sensing electrodes. Reproduced from [139] with the permission from American Chemical Society. (C) (i) Schematics
of an IFC device used for long-term budding yeast culturing and growth-rate measurement. (ii) Signal phase changes
corresponding to five events that yeast cells passing through the impedance sensing electrodes. Reproduced from [137]
with the permission from Nature. (D) Scatter plot of impedance signal amplitude vs. phase at 12 MHz for yeast population
during three-day brewing process. Reproduced from [138] with the permission from Springer.

4.2. EIS to Detect Suspended or Adherent Single Cells

Different from IFC devices that are commonly used for cell recognition and screen-
ing with high throughput, EIS sensing devices are capable of extracting broadband
impedance information and tracking dynamic variations of single cells. Recent EIS
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sensing devices applied in single-cell analysis are summarized in Table 2. These devices
are classified into two categories: one is to determine the optimal frequency at which
the impedance of different cell lines or cell states is most sensitive [82,150] and the other
is to continuously monitor the dynamic cell process or cell behavior and phenotypic
changes [83,85,91,92,94,95,148,151–153].

Table 2. Applications of EIS measurement for single cells. OT: Observation time. Throughput: Maximum number of single
cells that can be simultaneously measured.

First Author
(Year)

Techniques
Frequency

Range
Throughput OT Target Cells Application Ref.

Primiceri
(2011) ECIS 1 Hz to

1 MHz / 4 h Hepatocellular
carcinoma cells Monitoring cell migration [152]

Hong (2012) DEP traps 20 kHz to
101 kHz / /

A549,
MDA-MB-231,

MCF-7, and HeLa
cells

Electrical characteristics
analysis of cancer cells [151]

Nguyen (2013)
Hydrodynamic

traps
and ECIS

100 Hz to
1 MHz 16 / MDA-MB-231

and MCF-7 cells

Monitoring cell capture,
adhesion, and spreading

process
[85]

Zhu (2014) Negative
pressure traps

10 kHz to
10 MHz 10 42 min S. cerevisiae cells Monitoring bud growth and

cell motion [83]

Zhu (2015) Negative
pressure traps

10 kHz to
10 MHz 10 120 min S. pombe cells Cell cycle determination [94]

Zhou (2016) Hydrodynamic
traps

100 Hz to
20 MHz 10 48 h Mouse embryonic

stem cells
Monitoring the differentiation

process [95]

Park (2016) Negative
pressure traps

5 kHz to
1 MHz 5 /

Cancerous human
urothelial cells

(TCCSUP)
Cell recognition [150]

Tsai (2016) Hydrodynamic
traps

10 kHz to
100 kHz 3 24 h HeLa cells Monitoring electrical

characteristics [91]

Tang (2017) Hydrodynamic
traps

1.953 kHz
to 1 MHz 10 / MCF-7 cells Monitoring the capture

process and cell screening [82]

Chen (2020) Hydrodynamic
traps

100 kHz to
2 MHz / 24 h Arabidopsis

mesophyll cells
Monitoring the regeneration
process of primary cell wall [148]

Zhang (2020) DEP traps and
ECIS 100 kHz 32 5 min HeLa, MCF-7,

and 293T cells
Monitoring the recovery

process after electroporation [153]

Zhang (2020) DEP traps and
ECIS 100 kHz 32 21 days Mesenchymal stem

cells
Monitoring differentiation

process [92]

EIS sensing technology has been used to investigate the optimal frequency at which
the characteristic parameters extracted from EIS signals are most prominent in measuring
specific dielectric properties of cells [82,150]. Park et al. proposed two types of devices to
distinguish cancerous from normal human urothelial cell lines (Figure 9(Ai)) [150]. In one
device, single cells were captured at 3D traps by applying negative pressure underneath.
Then, the impedance of immobilized single cells was individually measured at frequencies
from 5 kHz to 1 MHz. According to the EIS signals in Figure 9(Aii) plot, 119 kHz was
supposed to be the optimal frequency, at which the impedance of two types of cells had the
greatest divergence. The real-time impedance of the cell lines was measured at 119 kHz in
the other device (an IFC device) to identify cancerous cells. These two devices potentially
provide a supplementary platform to detect urothelial cancer of the bladder (UCB). In
another study, Tang et al. developed a portable single-cell analytical system combining
hydrodynamic traps and EIS measurement to accurately detect the sizes of MCF-7 cells [82].
Under the hydrodynamic forces, MCF-7 cells could be initially captured at the entrance
of the narrow channel and then squeezed into it. Impedance signals were collected from
three groups, among which one is the control group of PBS solution without cells, another
one is the trapped cells in suspension, and the third one is the squeezed cells (Figure 9B).
According to the sweep-frequency measurement of EIS, the frequency was optimized to
500 kHz, at which, cellular trapping-releasing-squeezing manipulation and cell size could
be detected more accurately.
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Figure 9. Cell-based assay using EIS sensing devices. (A) (i) SEM images of the two devices used to detect cancerous
urothelial cells. Left one is an EIS sensing device with a negative pressure trap used to investigate the optimal frequency.
Right one is an IFC device to perform high-throughput electrical impedance measurement of normal and cancerous
urothelial cells. (ii) Measurement of the amplitude difference between normal and cancerous urothelial cells in the frequency
range of 5 kHz to 1 MHz. Reproduced from [150] with the permission from Hindawi. (B) Schematics of a EIS sensing
device to measure the amplitude and phase signal of MCF-7 cells under three typical conditions: PBS solution without cells,
cell trapped and cell squeezed. Reproduced from [82] with the permission from Springer. (C) Using a EIS sensing device
with microfluidic traps to distinguish the undifferentiated and differentiated cells by measuring the impedance over the
frequency range from 100 kHz to 10 MHz. Reproduced from [95] with the permission from Elsevier. (D) (i) Schematics of
an EIS-integrated single-cell culturing device for immobilization and impedance recording of Schizosaccharomyces pombe
(S. pombe) cells. (ii) Recorded EIS amplitude and phase signals over the frequency range from 10 kHz to 10 MHz showing
the growth and division of single S. pombe cells. Reproduced from [94] with the permission from Nature. (E) Imaginary
part of current response for Arabidopsis mesophyll cells at different status (0 h, 12 h and 24 h after incubation, respectively).
Reproduced from [148] with the permission from Elsevier. (F) The Bode impedance spectra measured on working electrode
before and after cell migration, as well as on reference electrode without cells over the frequency range from 100 Hz to
1 MHz. Reproduced from [85] with the permission from American Chemical Society. (G) Recording of |Z|norm for HeLa
cells in the recovery process under different conditions of electroporation. A, N, w and f stand for pulse amplitude, number,
width and frequency, respectively. Reproduced from [153] with the permission from Nature.

EIS sensing technology has been used to monitor cell behavior and phenotypic
changes, including differentiation of stem cells [92,148,154], cell growth and
division [83,94,155], formation of cell wall [95], migration of tumor cells [85,152] and
recovery process after electroporation [153].

211



Biosensors 2021, 11, 470

In order to characterize the differentiation process of stem cells, Zhou et al. analyzed
the impedance data from mouse embryonic stem cells (mESCs) at different time points in a
cell differentiation cycle [95]. In this study, impedance opacity (|Z1MHz|/|Z50kHz|) was
increasing during the 48-h cell differentiation process, and was significant at above 1 MHz
(Figure 9C). Based on this finding, they observed the metastable transition state, from which
stem cells could either differentiate irreversibly or return to pre-differentiation state at 24 h.
Zhang et al. proposed a multifunctional microfluidic chip, which featured DEP trapping,
electrical stimulation and real-time impedance monitoring of single cells [92,153,154]. They
recorded the real-time impedance changes of two groups of MSCs with (OM group) or
without electrical stimulation (OM + ES group) [92]. The results showed that electrical
stimulation could accelerate the response to drug and advance the differentiation of MSCs.
Besides, this device provided additional phenotypic indicators that were not available
in cell traction force sensor and contributed to multimodal characterization of long-term
physiological variations in the cell differentiation process [154].

Ghenim et al. were the first to monitor the impedance variation in the mitosis of a
single mammalian cell [155]. Zhu et al. presented a microfluidic cell-culturing chip to
trap, cultivate and selectively release individual yeast cells [156]. Then, this device was
used to monitor the cell dynamics in a cell cycle of yeast cells (Figure 9(Di)) [83,94]. As
an example, electrodes originally used to generate DEP forces were used to measure the
electrical impedance spectrum of rod-shaped S. pombe cells, which were immobilized in an
upright position at the traps [94]. Cell growth, nuclear division and cytokinesis in a cell
cycle were sensitively characterized by EIS signal amplitude at 1 MHz and phase at 5 MHz
(Figure 9(Dii)).

Chen et al. investigated the formation process of primary cell wall of Arabidopsis
mesophyll cells [148]. As discussed in Section 4.1.4, the formation of the cell wall reduced
the capacitance of entire plant cell and thus led to an increase in the imaginary part of
impedance signal [60]. In support of this hypothesis, they measured the differential current
response of Arabidopsis mesophyll cells at three status of cell wall formation (Figure 9E).

Cell migration, which serves as the initiation of cancer metastasis, could be recorded
by ECIS technology [157]. Primiceri et al. demonstrated that cell migration could be
monitored and automatically analyzed by a EIS biochip [152]. Nguyen et al. proposed
a microfluidic chip with ECIS for monitoring the migration of single cancer cells in 3D
matrixes (Figure 3C) [85]. In this study, the impedance measurements were performed
with a voltage of 10 mV over the frequency range from 100 Hz to 1 MHz and showed the
significant decrease of EIS amplitude after cell migration (Figure 9F). The real-time EIS
recording was carried out at 4 kHz and demonstrated that MCF-7 cells were less metastatic
than MDA-MB-231 cells. Zhang et al. monitored the recovery processes of HeLa cells
after electroporation by using impedance measurement (Figure 9G) [153]. HeLa cells were
trapped and electroporated with different working modes of center electrodes. Within 5
min after electroporation, normalized amplitude curves were slowly rising corresponded
to the reversible EP processes, while those stabilizing at the minimum values indicated the
irreversible EP and cell death.

5. Conclusions

Electrical impedance sensing technology, as a rapid and non-invasive method to probe
cellular biophysical information, has become appealing in single-cell study. The basic
theories and modeling methods of single-cell impedance sensing have been re-viewed
herein and recent advances in this field have been highlighted with respect to the device
design and applications.

Generally, the way to implement electrical impedance measurement in a microfluidic
device is categorized into IFC and EIS sensing. IFC features measuring impedance of single
frequencies for large number of cells, while EIS sensing is capable of re-al-time monitoring
of a few cells over a wide frequency range. A variety of optimal electrode layouts, fluidic
channel configurations, hydrodynamic focusing systems have been proposed to improve
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the sensitivity and consistency of IFC in the measurement of cellular electrical parameters.
With various trapping methods, suspended single cells could be stably immobilized for
in-situ EIS sensing. ECIS can recognize cellular behavior sensitively in response to defined
stimulus. Besides, individually addressable MEAs have been incorporated into EIS sensing
devices in order to overcome the limitation of throughput. Impedance converters and LIAs,
as the basic electronic components to measure impedance, have been further integrated
and miniaturized from instruments to portable platforms. As an alternative, CMOS-
based impedance sensing devices have been developed to increase the integration level of
impedance sensing system.

Since IFC devices have the merits of rapid measurement and high throughput, they
have been widely used in the identification and classification of various species of single
cells and determination of cell viability. The impedance signals at different frequencies
reveal dielectric characteristics of different cellular structures. Hence, a combination of
multiple impedance parameters, such as amplitude at high frequency and low frequency
or amplitude and phase at the same frequency, has been commonly used to identify single
cells with various phenotypes, in different life stages or under multiple external conditions.
Applications of the IFC devices in plant cell analysis, especially pollen screening, have
been proposed and promoted, and the strategy of combining mechanical characterization
and impedance measurement has been also developed. In addition, machine learning has
been used in impedance data analysis to improve the performance of IFC devices.

EIS sensing has been used to choose the most sensitive frequency for subsequent
high-speed analysis or long-term monitoring of cell behavior and phenotypes. The various
cellular physiological processes, including adhesion, growth, division, differentiation,
proliferation and cellular structure formation, have been characterized by the measured
electrical impedance spectra.

From this review, insights into challenges and prospects of electrical impedance
sensing technology for single-cell analysis could be provided as follows. Different cell
subpopulations are hard to be accurately classified based on impedance information at
specific frequencies. To this end, multi-frequency impedance signals and the combination
of multiple biophysical parameters could be used to enrich characteristic information of
different cells, and thus could favor the improvement of phenotyping resolution. Besides,
machine learning algorithm, such as SVM and neural networks, in data analysis could help
to correspond broadband impedance signals to cell phenotypic characteristics or single-cell
physiological processes. On the other hand, the high cost of chip fabrication and benchtop
instruments hinders the popularization of single-cell impedance sensing technology. It
can be supposed that single-cell impedance measurement devices could soon appear in
the clinical laboratory in a more user-friendly format, with the help of development and
promotion of commercial equipment and portable platforms. By then, a quantum leap will
appear in the fields of rapid diagnosis, smart healthcare and personalized medicine.
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Abstract: A small DC magnetic field can induce an enormous response in the impedance of a
soft magnetic conductor in various forms of wire, ribbon, and thin film. Also known as the giant
magnetoimpedance (GMI) effect, this phenomenon forms the basis for the development of high-
performance magnetic biosensors with magnetic field sensitivity down to the picoTesla regime at
room temperature. Over the past decade, some state-of-the-art prototypes have become available for
trial tests due to continuous efforts to improve the sensitivity of GMI biosensors for the ultrasensitive
detection of biological entities and biomagnetic field detection of human activities through the
use of magnetic nanoparticles as biomarkers. In this review, we highlight recent advances in the
development of GMI biosensors and review medical devices for applications in biomedical diagnostics
and healthcare monitoring, including real-time monitoring of respiratory motion in COVID-19
patients at various stages. We also discuss exciting research opportunities and existing challenges
that will stimulate further study into ultrasensitive magnetic biosensors and healthcare monitors
based on the GMI effect.

Keywords: magnetoimpedance; magnetic biosensors; healthcare monitors; COVID-19 detection

1. Introduction

Since the turn of the 21st century, magnetic biosensor research has steadily grown year
after year [1–6]. Magnetic phenomena such as the giant magneto-resistance effect, nuclear
magnetic resonance, and superconducting quantum interference have often been proposed
as the transducers of magnetic biosensors [2,7,8]. Although these magnetic phenomena offer
valuable precision as transducers, their complicated measurement protocols, expensive
equipment, and requisite for cryogenic temperatures have prevented them from being fully
harnessed in the healthcare industry. This is where the giant magnetoimpedance effect,
made prominent in 1994, found its footing in the world of biosensing and healthcare. High
magnetic field sensitivity at room temperature coupled with classical and easy-to-model
impedance–frequency–temperature relationships make the giant magnetoimpedance effect
a qualified transducer of biometric data.
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The significant change in the impedance of a high (magnetic) permeability material
when subjected to a small magnetic field was first reported in 1936 by Harrison et al. as
an impedance magnetometer [9]. Much later, in 1991, Makhotkin et al. demonstrated a
magnetic field sensor made of a soft ferromagnetic ribbon of FeCoSiB [10]. However, it
was not until 1994, when two independent groups simultaneously published articles, that
the phenomenological theory of the enormous impedance change of magnetic wires when
experiencing a weak magnetic field was detailed [11,12]. At this point, the terminology
“giant magnetoimpedance effect”, or GMI effect, was coined. Owing to its ultra-high
magnetic field sensitivity, the GMI effect in soft ferromagnetic materials has been extensively
explored and applied to both fundamental research and industrial applications. Excellent
review articles on the GMI effect and its applications have been published thus far [13,14]. It
is worth noticing in Figure 1 that the number of published articles per year greatly increased
from 1994 to 2000 and slightly fluctuated between 2000 and 2020, while the number of
citations has rapidly increased since 1994.

Figure 1. Number of published articles and citations per year in the field of magnetoimpedance
materials and sensors. The data were collected from Web of Science with “magnetoimpedance” or
“magneto-impedance” as a keyword.

Magnetoimpedance (MI) biosensors are the products of a combination of the magne-
toimpedance effect and electrochemical or affinity biosensors. Brought to the mainstream
in 1994 by electrical engineers, the MI effect experienced a research peak in the fields of elec-
trical engineering and materials science. Shortly after, the use of the MI effect for biological
sensing applications was proposed by Mohri and coworkers [15]. Since then, condensed
matter and materials science groups, electrical engineers, and biomedical researchers alike
have conducted heavy research into using the GMI effect to detect biomagnetic particles
and even record magnetic biometric data from the heart and brain [8,16–22]. Indeed, a
wide range of ultrasensitive MI sensor prototypes and their potential applications, includ-
ing biomagnetic sensing, have been proposed and developed by Aichi Micro Intelligent
Corporation (see Figure 2) [23]. This technology is not without its shortcomings. As it
stands today, GMI sensors suffer from two main limitations: (a) sensitivity and (b) quan-
tification: two issues that researchers have attempted to solve both from a sensor design
and a material engineering perspective. Sensor geometry, materials, structure, and oper-
ating frequency and current have been explored in order to optimize the performance of
GMI-based sensors [18].
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Figure 2. The potential applications of MI sensors proposed by Aichi Micro Intelligent Corporation.
Reprinted with permission from Ref. [23]. Copyright 2022 Aichi Steel Corporation.

The implementation of GMI sensors in biomedical applications is largely achieved in
conjunction with magnetic particles. Efforts to increase their sensitivity to the stray field
emanating from magnetic particles is extensive and ongoing [24–29]. On the other hand,
research into tailoring and functionalizing the properties of magnetic particles is equally
important and complimentary to the development of GMI biosensors [30]. Magnetic
particles can be functionalized to attach to specific molecules [24] or to carry drugs for
targeted delivery in the human body [31], which requires a deep understanding of their
magnetic properties and accurate detection to for applications in the field of nanomedicine.

In this review article, we focus on the short history of magnetoimpedance biosensors,
how they have been improved over the past decade, and the state-of-the-art prototypes pub-
lished within the past few years. We also highlight our recent developments in GMI-based
medical devices for application in healthcare monitoring, including real-time monitoring of
COVID-19 patients at various stages. Emerging opportunities and challenges in this rapidly
expanding research field are also discussed to help guide future research and development
of GMI-based biosensors for healthcare applications.

2. Basic Principles

The principle of MI-based biosensors is based on the detection of a small-magnitude
(or “weak”) magnetic field by a change in impedance of a soft magnetic material. Essen-
tially, an MI-based biosensor is a transducer that converts small changes of the magnetic
field experienced by the sensing element into electrical signals. The sources of these small
magnetic fields can be magnetic nanoparticles, red blood cells, magnetic signals from
the brain, or the motion of tiny magnetic particles in media or tissue. MI biosensor ap-
plications range from qualitatively detecting the presence of small biomagnetic fields to
providing a quantitative field measurement that can be translated into, for example, a
particular concentration of magnetic particles. In this section, we first provide a concise
review of the magnetoimpedance effect, as many great reviews on the subject have al-
ready been published [5,6,32–34]. Then, we outline the history of the earliest prototypes
of magnetoimpedance-based biosensors sorted by their unique applications to biology
and healthcare.

2.1. The Giant Magnetoimpedance Phenomenon

The GMI phenomenon refers to a large change in the complex impedance of a soft
ferromagnetic conductor when subjected to an external static magnetic field. The change in
impedance of a conductor consists of resistive (R) and reactive (X) components. The origin
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of the GMI effect can be demonstrated by the skin effect in classical electrodynamics and the
circumferential magnetic permeability associated with circular domain wall movements.
Generally, GMI materials possess large magnetic permeability and low resistivity, and
understanding the enhancements and tradeoffs between these intrinsic material properties
is crucial to optimizing the GMI effect for biosensor applications.

The complex impedance of a ferromagnetic conductor can be expressed as

Z(μ, f , H) = R(μ, f , H) = +jX(μ, f , H) (1)

where R is resistance, X is reactance, μ is magnetic permeability, f is operating fre-
quency, H is the external magnetic field, and j is the imaginary unit. As Z(μ, f , H) and
μ( f , H) = μ′ − jμ′′ both vary with f and H, the analysis of the GMI effect in a ferromagnetic
conductor can be quite complex. Because of this, the GMI effect is typically categorized
by frequency into three different regimes: low frequency, high frequency, and very high
frequency. Many published articles have focused on the low-frequency response of the
GMI effect; therefore, the scope of this section will mainly encompass the high-frequency
response of soft magnetic materials.

The theory of magnetism and the dynamical response of magnetization can explain
the origin of the high-frequency GMI effect. Beginning with Maxwell’s equations [35],
we have:

∇2
→
H −∇

(
∇·→H

)
= μ0σ

∂

∂t

(→
H +

→
M
)

(2)

where
→
H and

→
M are the external magnetic field and spontaneous magnetization vector,

respectively. The dynamical response of the magnetization from an applied external
magnetic field can be described by the Landau–Lifshitz–Gilbert (LLG) equation as [36–38]:

∂
→
M
∂t

= −μ0γ

(→
M × →

H
)
+ α

⎛⎝→
M × ∂

→
M
∂t

⎞⎠ (3)

where γ is the gyromagnetic ratio, α is the damping parameter, and
→
H and

→
M are the external

field and spontaneous magnetization within a domain, respectively. By applying the
corresponding boundary conditions and solving the coupled Equations (2) and (3) [36–41],
the longitudinal impedance of a cylindrical conductor for any frequency range can be
expressed as:

Z(ω) =
1
2

kaRdc
J0(ka)
J1(ka)

(4)

where k = (1−j)
δ = (1 − j)

√
μ f μ∅σ, μ∅ is the circular permeability, and Rdc is the DC

resistance of the magnetic wire.
Similarly, for a magnetic slab of thickness 2a, the impedance can be expressed as:

Z(ω) = Rdc jka coth(jka) (5)

where k = (1−j)
δ = (1 − j)

√
μ f μTσ, μT is the transverse permeability, and Rdc is the DC

resistance of the magnetic slab.
The magnitude of the GMI effect of a magnetic microwire is defined by the change in

Z, R, and/or X due to the external DC magnetic field. The figure-of-merit of GMI materials
is the GMI ratio [14], and it is defined as follows:

MI% =
Z(H)− Z(Hmax)

Z(Hmax)
× 100 %, (6)

where Z(H) is the impedance at field H, and Hmax represents the maximum value of the
applied magnetic field. The magnetoresistance (MR) and magnetoreactance (MX) are
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defined in the same manner as in Equation (6), with R or X interchanged with Z. The
magnetic field sensitivity (η) is defined as:

η =
d

dH

(
ΔZ
Z

)
(7)

The sensitivity of the magnetoresistance (MR) and magnetoreactance (MX) are defined
in the same manner as Equation (7), with R or X interchanged with Z.

For the detection of magnetic particles, the sensitivity of the biosensor is defined as
the difference between the maximum value in MI, MR, or MX (i.e., corresponding to the
field value Hk) of the test sample (TS) and reference sample (ref ), which are calculated as:

Δηξ = [ξ]max, TS − [ξ]max, re f (8)

where [ξ]max stands for ξ = ΔR
R , ΔX

X , ΔZ
Z , which are the maximum values of the MR, MX,

and MI ratios, respectively. These parameters are considered important figures-of-merit for
assessing the sensitivity of an MI biosensor. In most studies, ΔηR, ΔηX , and ΔηZ can also
be denoted as MR, MX, and MI detection sensitivities, respectively.

2.2. Detection Principles

The fundamental detection principle of an MI-based biosensor is the detection of the
stray magnetic field of magnetic markers attached to the biomolecules of interest. To sim-
plify this complex scheme, we can approximate the stray field of a magnetic biomarker as
one generated by a single magnetized microsphere with a magnetic moment (m) symmetric
about the center of the sphere (Figure 3). Then, the magnetic induction can be expressed
as [42–44]:

→
B
(→

r
)
= μ0

→
H +

μ0

4π
·
3
→
r
(→

r ·→m
)
−

(→
r ·→r

)→
m

r5 (9)

where
→
H is the applied external magnetic field, μ0 is the magnetic permeability of free

space, and r is the radial vector in spherical coordinates. Figure 3a,b show the schematics
of stray magnetic field detection of magnetic beads without an external magnetic field [43]
and with an applied external magnetic field [27], respectively.

Figure 3. Schematics of stray magnetic field detection of magnetic beads (a) without an external
magnetic field. Reprinted with permission from Ref. [43]. Copyright 2022 Elsevier, and (b) with
an applied external magnetic field. Reprinted with permission from Ref. [27]. Copyright 2022
AIP Publishing.
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From Equation (9), the in-plane magnetic field (
→
B x) at distance (d) along the x-axis

from the center of the magnetic bead radius (a) and a small distance over sensing element
(t) can be expressed as [27]:

Bx = μ0M
a3(a + t)d[

(a + t)2 + d2
]5/2 (10)

Similarly, the transverse magnetic field (
→
Bz) can be expressed as:

Bz = μ0M
(
2z2 − d2)

[z2 + d2]
5/2 (11)

where M = m/V is the magnetization of the magnetic bead.
The detection of stray magnetic fields emanating from magnetic beads or nanoparticles

is the principal method behind potential applications of magnetoimpedance biosensing
and medical diagnostics [16,29,44–49]. There are two main approaches to the measurement
or detection of the magnetic particles: (i) detection directly on the surface of the sensor
(Figure 4a) or (ii) detection from some distance away from the sensor (Figure 4b). For
instance, a GMI sensor can be used as a probe of the presence of magnetic nanoparticles
inside cells, which is the so-called magnetic label detection method (Figure 4a). A very thin
layer of gold (~2 nm) is often coated on the surface of the sensing element to assure signal
stability and biocompatibility [31].

Figure 4. (a) Schematic illustration of the principle of detecting magnetic nanoparticles as magnetic la-
bels inside cells; (b) schematic illustration of the principles of targeting and recognizing biomolecules.
In Method 1, the magnetic nanoparticles are functionalized with target molecules (Molecule B), while
in Method 2 the target molecules (Molecule B) are bound to the surface of the sensor.

For the detection of biomolecules using the GMI sensor and magnetic nanoparticles,
two methods are often considered (Figure 4b). In Method 1, GMI measurements are
first conducted on the sensitive element. Probe molecules (Molecule A) are then bound
to the surface of the sensitive element, and GMI measurements are repeated. Magnetic
nanoparticles, which are already functionalized with target molecules (Molecule B), will be
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bound to the probe molecules (Molecule A). In Method 2, target molecules (Molecule B) are
first bound to the probe molecules (Molecule A), and the solution of nanoparticles then
flows along the surface of the sensitive element. In both cases, the small magnetic fields
generated by the nanoparticles that reach the surface of the sensitive element are detected
using the GMI sensor [17].

Another new perspective is the contactless measurement of magnetic particles/bio-
magnetic samples. The stray magnetic fields of the magnetic beads and biomagnetic fields
have recently been explored via ultra-sensitive MI-based sensors thanks to the promise
of biosensing applications. Fodil et al. [29] designed an experimental setup to detect
MNPs flowing through a microchannel at a distance, which is not coplanar with respect
to the sensor, resulting in signal improvement. Additionally, the biomagnetic field of ileal
musculature was measured ~1 mm below the sample using a gradio-magneto sensor. This
detection approach can be developed for biomedical and medical diagnosis for in vivo
samples [44]. Development and applications of these detection methods will be discussed
in the following sections.

3. Early Sensor Prototypes (2000–2016)

3.1. Early Planar Prototypes

Amorphous ferromagnetic ribbons were first identified as potential weak magnetic
field detectors in 1991 [10]. The earliest works on utilizing these magnetically soft rib-
bons as biosensors via the GMI effect were published a decade later by Kurlyandskya
and coworkers [45–47]. In these works, rapidly quenched amorphous ribbons served as
platforms for the detection of magnetic particles. Indeed, when a commercial ferrofluid
or a suspension of Dynabeads was placed in close contact with the ribbons, their mag-
netoimpedance response increased due to their stray field interacting with the sensing
element, and the field distribution of the magnetoimpedance widened.

A few years later, Yang and coworkers [48] demonstrated a Metglas ribbon as the
sensing element of an MI-based biosensor for the detection and genotyping of human
papilloma virus (HPV). This amorphous Metglas ribbon served as the sensing element,
and it was micropatterned in a meander shape to increase the surface area for detection
as well as for magnetic field sensitivity. The detection principle of this MI biosensor is to
detect the stray magnetic fields of magnetic nanoclusters that label or tag HPV. The tagged
HPV is then captured by specific probes on the surface of a microchannel in corresponding
detection regions. When compared to the fluorescence method of HPV genotyping, the
MI-based method had fewer steps, and the total assay time was significantly shortened.

The continuous flow detection of magnetic particles using an FeCoCrSiB ribbon and
[FeNi/Ti]3/Cu/[FeNi/Ti]3 multilayer film was comparatively demonstrated in [49]. In this
work, a 10 μL microfluidic chip was placed on top of the two sensing elements, and two
different particle suspensions (Chemicell beads and Dynabeads) were pumped through the
chamber as the magnetoimpedance was measured. While both the ribbon and thin-film
sensor prototypes demonstrated a clear change in impedance when the particles entered
the chamber, the results were not easy to reproduce. Although the use of a transmission
line to measure the impedance improved the noise level in the experiments compared to
prior work, the authors acknowledged the need for signal filtering to bring the sensitivity
and reproducibility of these biosensor prototypes up to commercial standards.

While most efforts have been focused on developing a biosensor based on the MI
effect, which has limited sensitivity, Devkota et al. [50–52] showed that by exploiting the
MR and MX effects, it is possible to improve the sensitivity of the biosensor (ΔηR, ΔηX)
by up to 50% and 100%, respectively. The increase of ΔηR, ΔηX , and ΔηZ with increasing
concentration of iron oxide nanoparticles (Figure 5a) can be attributed to the increase of
transverse susceptibility μT due to the strong coupling of the magnetic fringe fields of the
nanoparticles to the AC transverse magnetic field. This coupling becomes independent of
iron oxide nanoparticles after the concentration of nanoparticles exceeds a critical amount,
and no further increase in Δη is therefore obtained. The authors also demonstrate that
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patterning the ribbon surface with nano/micro-sized holes is an effective way to improve
the detection sensitivity of a ribbon-based MI biosensor [53]. This is particularly important
as improvement in detection sensitivity can lead to highly sensitive detection of bioanalytes
tagged to magnetic markers or cells that have taken up magnetic markers. Indeed, the
authors fabricated a novel sensor probe by patterning four holes, each of dimension
2 μm × 2 μm, on a soft ferromagnetic ribbon using a focused ion beam (FIB) [54]. They
analyzed the MI and MX responses for the probe itself and with 10 μL of the cell medium (as
the control), unlabeled Lewis lung carcinoma (LLC) cancer cells, and magnetically labelled
Lewis lung carcinoma (ML-LLC) cells (Figure 5b–d). The results showed that the sensor
probe, cell medium, and label-free LLC cells did not have significant difference in their MI
profiles (MI and MX ratios), while the ML-LLC cells had higher values. This demonstrates
the possibility of using a hole-based MI biosensor to separate ML-LLC cells from unlabeled
LLC cells. A GMI sensing platform could thus be developed as the new generation of
diagnosis systems for reliable and quick biodetection at room temperature that can also be
used as a new, low-cost, fast, and easy pre-detection method prior to magnetic resonance
imaging (MRI).

Figure 5. (a) Fe3O4 particle concentration dependence on MR, MX, and MI detection sensitivities and
(b) SEM image of a hole on the ribbon. (c) Magnetic field dependence on MX ratio for a hole-based
MX biosensor with cell medium, LLC cells, and magnetically labelled LLC cells (ML-LLC). (d) MI-
and MX-based detection sensitivities of the probe for ML-LLC with reference to LLC.

Early biosensor prototypes utilizing amorphous ferromagnetic ribbons certainly en-
couraged further study of MI-based biosensors. However, when considering the incorpo-
ration of amorphous ribbons into magnetic biosensors for applications in the healthcare
industry, some problems arise. For one, due to the rapid quenching technique used to
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prepare them, the physical and magnetic properties of the ribbons can vary significantly
between different sections of the same batch [55]. Thus, mass-produced ribbons used as
biosensing elements in commercial products would require individual characterization
and adjustment due to differences in sensitivity. Furthermore, as the operating frequency
increases, the formation of eddy currents leads to a sharp increase in heat losses, which can
deteriorate the magnetic properties of most commercial ribbons, for which the thickness is
in the range of tens of microns [56,57].

While the planar geometry of amorphous magnetic ribbons is well-suited to magnetic
particle detection, which is the most popular application of magnetoimpedance biosensors,
the requirement of miniaturization forces sensing elements toward smaller and smaller
sizes. This is where thin-film structures exhibiting the magnetoimpedance effect begin to
outshine amorphous ribbons as sensing elements. While miniaturization itself leads to a
new set of challenges, ribbons are essentially disordered bulk structures and cannot meet
the standards of mass reproducibility desired for commercial production. On the other
hand, thin-film growth and patterning techniques have long been established to produce
consistent results. It is clear that thin-film-based magnetoimpedance sensors serve as a way
to overcome some of the limitations of ribbon-based sensors, and are further explored in
the remainder of this section.

Some of the earliest thin-film biosensor prototypes used the GMI effect of FeCuNb-
SiB/Cu/FeCuNbSiB thin-film trilayer systems [58]. The composition FeCuNbSiB is of
the FINEMET family, which are well known as rapidly quenched ribbons. In thin-film
form, FINEMET structures were deposited via RF sputtering and annealed to induce
ferromagnetic Fe–Si nanocrystalline grains within a ferromagnetic matrix that remained
amorphous. Indeed, it is this microstructure that makes the magnetoimpedance effect of
FINEMET films highly sensitive to weak magnetic fields and thus well-suited to MI-based
biosensors. The uniformly distributed nanograins embedded in the amorphous matrix
assure near-zero magnetostrictive anisotropy. Moreover, the magnetocrystalline anisotropy
in nanocrystalline materials is averaged out, which also contributes to its high sensitivity
to weak magnetic fields [59].

In 2009, Volchkov and coworkers [60] introduced another MI biosensor prototype
based on a NiFe trilayer structure. In the world of spintronics, NiFe, or permalloy, is
a well-studied and often used soft magnetic material. In this work, the authors varied
the width of the sensing element, which was either a single NiFe film, a rectangular
NiFe/Cu/NiFe trilayer structure, or a NiFe/Cu/NiFe trilayer structure where the center
Cu conductor was narrower than the NiFe layers. The sensors were operated at frequencies
in the upper hundreds of MHz, where the MI effect was found to be the largest. The
authors discovered a tradeoff between the width of the sensing element and the observed
MI effect; that is, when increasing the width of the sensing element to increase the detection
area, the MI effect decreased. This work illustrates the importance of geometry when
designing magnetoimpedance biosensors while keeping in mind the size of the particles
to be detected. Wang et al. later reported a multilayered NiFe/Cu/NiFe meander film
for MI-based biosensing grown using micro-electro–mechanical systems (MEMS) [61,62].
The authors noted that these films’ maximum GMI ratio was observed at significantly
lower frequencies than most ribbons, a desirable feature in biosensing applications. A
quantitative study of the detection of Dynabeads Protein A was performed, demonstrating
the accurate detection of Dynabeads down to a concentration of 0.1 μg mL−1 at a frequency
of 1.4–1.5 MHz. These studies further highlight the importance of the geometry of the
sensing element, but also demonstrate the potential of thin-film-based MI biosensors for
accurate quantification of magnetic biomarkers

In summary, planar geometries of magnetoimpedance-based sensors are available in a
wide variety of compositions and shapes, all of which have the advantage of a large surface
area. A large sensing area is ideal for the detection of magnetic particles and biomarkers, es-
pecially in contact-based measurements. While amorphous ribbons possess high sensitivity,
their production methods limit mass reproducible sensors without the need to individually

229



Biosensors 2022, 12, 517

characterize them. Thin-film-based biosensors offer a clear alternative to mass-reproducible
sensors, and the growth techniques are compatible with miniaturization standards. Two
major issues persist in early MI planar sensors: sensitivity and quantification. Sensitivity is
limited by the composition and operating frequency of the sensing element, and due to the
limited sensitivity, quantification is a challenge, especially in an unshielded environment.
Both issues are addressed in more recent works, as we discuss in Section 4. In the following
subsection, we focus on MI sensor prototypes based on soft magnetic wires and compare
their performance and applications with that of planar MI sensors.

3.2. Early Wire-Based Prototypes

So far, much of this review has focused on MI biosensors for the detection of stray
magnetic fields emanating from magnetic particles that could be tagged to biomolecules.
However, there is another equally important application of MI biosensing, and that is the
detection of small-magnitude magnetic fields produced by biochemical current flow or the
presence of small quantities of ferromagnetic contaminants [63]. For example, the motion
of red blood cells in the body, the nervous system, and the movement of neurons within
the brain all produce magnetic fields. Indeed, prototypes of wire-based MI biosensors used
to detect weak biological magnetic fields predate many of the planar particle-detection
prototypes mentioned in the previous section, and, additionally, wire-based MI protypes
have consistently shown greater field sensitivity than planar prototypes.

The scientists responsible for constructing the first MI sensor are L. Panina, K. Mohri,
T. Uchiyama, and coworkers [64]. In their pioneering 1995 work, the authors fabricated
a highly sensitive magnetic field sensor using a 200 MHz resonant multi-vibrator bridge
circuit that combined two CoFeSiB amorphous microwires and two field-effect transistors.
It is worth noting again that this wire geometry sensor prototype predates the ribbon- and
film-based sensors mentioned in the previous sections, which also came with extensive and
custom integrated circuit elements to reduce noise and improve quantitative measurements.

Shortly thereafter, Uchiyama and coworkers demonstrated the use of this MI biosensor
to detect the position of brain tumors in rats after injection with a solution of 25-nm
magnetite nanoparticles dispersed in agarose [65]. The authors found that their MI sensor
was able to detect the position and size of the tumor and produce a basic topographical map
of the tumor by detecting the stray field produced by the magnetite particles embedded
in it.

Chirac et al. [24] proposed an MI-based biosensor using a combination of ssDNA
hybridization capture with streptavidin-covered magnetic microparticles (Figure 6a). The
sensing element was a glass-covered CoFeSiB microwire, and its impedance was simply
measured in a four-point configuration with a probe frequency around 10 MHz. Con-
centrations as low as 25–30 magnetic particles/μL could be detected in this arrangement
(Figure 6b). Expanding on this work, Chirac and coworkers fabricated an MI biosensor
prototype based on an array of glass-coated amorphous microwires and applied it to the
detection of commercial polymer-based magnetic particles (Figure 6c,d) [25]. It was found
that the number of active microwires enlarged the relative change in MI response, and this
microwire arrangement could be used as an MI biosensor.

In the same year, Chiriac and coworkers published a systematic study on the detec-
tion of different sizes of magnetic particles (four ranges of sizes: 40–60 μm, 60–100 μm,
100–150 μm, and 150–300 μm) by a single CoFeSiB glass-coated microwire to predict
whether these types of particles could function well as magnetic markers [26]. The re-
sults indicated that all sizes of magnetic particles in this study produced a notable and
easily detectable MI response. The largest increase in MI effect, about 43%, was found with
microparticles in the size range of 150–300 μm and a detection configuration of DC field
parallel to the wire and measurement frequency of 10 MHz.
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Figure 6. (a) The principle of a GMI-based magnetic biosensor using the ssDNA hybridization
phenomenon as an example; (b) impedance response of the sensing element on the magnetic particles
concentration. Reprinted with permission from Ref. [24]. Copyright 2022 Elsevier; (c) schematic
design of the multiwire-based MI device; and (d) relative change in MI response as a function of
the number of active glass-coated microwires for different bead concentrations. Reprinted with
permission from Ref. [25]. Copyright 2022 Elsevier.

In 2013, Fodil et al. [29] combined microfluidics with an MI micro-magnetometer to
detect 20 nm iron oxide nanoparticles, which could be functionalized for biomarkers. The
micro-magnetometer was an MI biosensor based on a 40 μm CoFeSiBNb microwire sensing
element at a measurement frequency of 15 MHz. In this experimental configuration, the
microfluidic channel was a small distance away from the sensor. The authors showed
two successive flows of MNPs measured by the MI microwire sensor, and the peak of the
detected magnetic field was at a 180 nL volume of MNP flowing near the sensor at 4.3 mm/s.
As a next step in the development of the sensor, Fodil and coworkers [66] reported the in-
flow detection of a very low concentration of superparamagnetic nanoparticles (as small as
5.47 × 10−9 mol), which was also confirmed theoretically in a subsequent publication [67].

Wire-based sensors lack the surface-area planar geometries but make up for it in
increased sensitivity for contactless measurements. Early prototypes not only detected
the stray field of magnetic particles of different sizes but also detected biomagnetic fields,
which ribbon and thin-film sensors cannot do. Wire-based sensor sensitivity can be further
improved in combination with integrated circuit elements, novel sensing arrays, and other
approaches that are discussed in the following section.

4. Current Magnetoimpedance Biosensors and Healthcare Monitors (2016–Now)

4.1. Detection of Magnetic Particles

The structure of a thin-film MI sensor significantly impacts its sensitivity. In general,
two types of thin-film structures are being studied: straight line films and meander films.
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In both cases, different multilayer structures have been investigated with different levels of
success that are summarized below.

Presently, some of the most widely studied materials in this field are permalloy-based
films, largely due to their well-established deposition techniques that allow for consistency
across different films [68]. In general, the thickness of the material must match the skin
depth associated with the operational frequency to obtain a significant MI ratio. For
permalloys probed at a frequency in the few to tens of MHz, the corresponding skin depth
are in the micrometer range, which is large compared to the minimum thickness one can
achieve with sputtering techniques without degrading its magnetic properties [68].

It has been well-established in MI research that a metallic conductor placed be-
tween the two ferromagnetic layers increases the MI effect of the ferromagnetic conduc-
tor [28,69–75]. Therefore, multilayer structures are a research direction that achieves the
desirable thickness for large skin-depth variations to enhance the MI effect of thin-films. A
popular structure that incorporates these findings is FeNi/Cu/FeNi sandwich films, where
Cu separates FeNi multilayers and serves as the central conductive spacer [76]. Including
an insulator between the metallic and ferromagnetic layers has also been shown to further
increase this effect as a consequence of changing the distribution of the electromagnetic field
in the film to promote a change in impedance upon the application of an external field [77].
Kurlyandskaya et al. reported that the closer the conductivity of the spacer to that of the
film, the more evenly distributed the electromagnetic field will be, which is conducive to a
larger MI effect in the material [69]. The reported MI ratios for these structures vary with
composition, thickness, length, and shape; these results are summarized in Table 1.

Table 1. Thin-film structures and MI ratios (%).

Structure (Thickness) Dimensions Max MI Ratio (%) Max Sensitivity
MP Detection
Applications

Ref.

Straight line
[Py(100 nm)/Ti(6 nm)]4/

Cu(400 nm)/[Ti(6
nm)/Py(100 nm)]4

10 mm × 0.5 mm
1.5 mm × 90 microns

350
220

300%/Oe
75%/Oe N/A [68]

[Fe21Ni79(100 nm)/
Cu(3 nm)]5/Cu(500 nm)/

[Cu(3 nm)/Fe21Ni79(100 nm)]5

10 mm × 0.5 mm 160 41%/Oe Stray field of MP in
blood vessels [28]

[Fe19Ni81(50 nm)/Ti(6 nm)]6/
Cu(500 nm)/[Ti(6 nm)/Fe19Ni81

(50 nm)]6

1 mm × 10 mm ~135 0.4 Ω/Oe N/A [69]

[FeNi(170 nm)/Ti(6 nm)]3/
Cu(500 nm)/[Ti(6 nm)/

FeNi(170 nm]3/Ti(6 nm )
10 mm × 0.5 mm 50%/Oe Ferrogel detection [70]

Meander
[Py(100 nm)/Ti(6 nm)]4/
Cu(400 nm)/[Py(100 nm/

Ti(6 nm)]4

5 mm × 4 mm,
12 strips 0.16 mm

wide each
53.5 5.1 Ω/Oe N/A [71]

[FeNi(100 nm)/Cu(3 nm)]4/
FeNi(100 nm)/Cu(500 nm)

[FeNi(100 nm)/Cu(3 nm)]4/
FeNi(100 nm)

200 microns wide,
14 strips

300 microns wide,
10 strips

60
165 -

Detection of
polymer/MNP

composites
[72]

Fe17Ni83(2 microns)/
Cu(140 microns)/

Fe17Ni83(2 microns)

5 mm long,
3 turns
6 turns

55.2
161.6 - N/A [73]

NiFe/Cu/NiFe 5 mm long 1.26 mm
wide, 3 turns 97.54

0.1 μg mL−1 DPA
concentration,
1 ng/mL AFP
concentration

Dynabeads protein A,
Alpha-fetoprotein

detection
[61,74]

There are several factors that must be carefully considered when choosing the com-
position of such structures. Current research has shown that the choice of nonmagnetic
conductor and its thickness impacts the MI response of the films [68]. The thickness and
dimensions of the ferromagnetic layers also plays an important role that will set a limit
to the sensitivity of the film. Figure 7a–c shows the dependence of the MI ratio on the
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dimensions of the different layers. This shows that the size of the central Cu layer relative to
the size of the magnetic multilayers impacts the MI ratio; therefore, it should be a property
that is carefully controlled to optimize the sensitivity of the film. In summary, the choice of
structure should be prudently considered based on the desired application, as it will have a
considerable impact on sensitivity.

 

Figure 7. Compilation of results showing optimization of a multilayer structure’s MI ratio as a func-
tion of frequency. (a–c) The optimization of the dimensions of a single strip [Py/Ti]/Cu/[Py/Ti] film
(i.e., sensing element) in a meander structure. Reprinted with permission from Ref. [68]. Copyright
2022 Elsevier. (d) The film was grown in a layered structure [Py/Ti]/Cu/[Py/Ti]. Reprinted with
permission from Ref. [71]. Copyright 2022 AIP Publishing. (e) The meander has 12 segments, each
one 0.16 mm wide and 5 mm long, and the separation between segments is 0.48 mm. GMI ratio as a
function of magnetic field (f), frequency (g), and ac current (inset of (g)). (h) Field sensitivity of GMI
as a function of frequency, with an inset showing Z(H).

Another widely studied structure for thin-film MI sensors is meander type films. While
the structures of meanders are more complex, they offer an advantage over single-line
strip films due to the formation of a transverse AC magnetic field on each segment of the
meander [75,77] that may result in an electromagnetic coupling effect that enhances the
MI effect. Meanders incorporate the same multilayer structures used in straight-line MI
sensors but in a compact form ideal for applications while still maintaining a significant MI
ratio (Figure 7d,e). Additionally, the AC magnetic field may prove useful in magnetizing
any magnetic particles near the film. This is particularly important when working with
superparamagnetic nanoparticles, where the magnetization process may allow for the
detection of these particles without the necessity of an external magnetizing field [77]. An
additional parameter that may also be studied is the operating current of the sensors, which
has been shown to impact sensor sensitivity (Figure 7f–h).

The main application of MI-based biosensors has been for the detection of biomarkers,
such as magnetic particles. Several works have been dedicated to the detection of small
quantities of superparamagnetic beads [77–79] due to their potential as biomarkers that
make it possible to employ MI sensing elements as biosensors. It has been shown that
thin-film-based biosensors have been used to detect as few as 10 magnetic beads [77].
Wang et al. [77] demonstrated how a meander-shaped MI sensor can be used to detect
alpha-fetoprotein (AFP) by conjugating superparamagnetic Dynabeads. They used a
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Cr/Cu/NiFe/Cu/NiFe/Al2O3/Cr/Au meander structure. The Al2O3 layer served as an
insulation layer between the sensing element and the immunoplatform (Au). The authors
showed that the sensor is capable of detecting concentrations of AFPs as small as 1 ng/mL
although based on their previous work detecting Dynabeads [61], they reported that their
detection limit was closer to 1 pg/mL.

While most of the studies attempted to demonstrate the capacity of GMI biosensors in
detecting weak magnetic signals from low-concentration magnetic nanoparticles that are
used as magnetic biomarkers, these biosensors are unable to provide quantitative values
of the stray fields created by the magnetic nanoparticles. To address this, Phan’s group
developed an effective method based on the linear-field GMI response, which can detect and
determine stray field values of magnetic (Fe3O4) nanoparticles at different concentrations
(Figure 8). A single Co-rich microwire was used as a sensing element (inset of Figure 8a). To
optimize the GMI biosensor’s performance, they applied an external magnetic field (~2 Oe)
below the anisotropy field (HK) of the microwire, which brought the impedance change to
a linear detection regime (Figure 8a). By fitting the linear region of the GMI curve (here
only the R vs. H dependence was considered; Figure 8b,c), they were able to determine
the minimum detection capability to be about 19 mOe from 10 mg of Fe3O4 nanoparticles
placed 1 mm from one end of the microwire (Figure 8d). Future studies should focus on
increasing the sensitivity of the microwire further to precisely detect even lower fields. This
can be achieved in a myriad of ways, including optimizing the composition of the wires or
modifying the domain structures with stress, heat treatment, and magnetic field annealing.
Further improvements to signal processing can be achieved by carefully engineering
circuits [80,81], understanding noise behavior [82], and exploring more complex sensor
designs that integrate multiple sensing elements for signal filtering [20–22,46,83–87].

4.2. Biomagnetic Field Detection

Biomagnetic fields are magnetic fields produced from living systems, and they have
been a hot topic of interest due to their small but significant effects, such as their direction-
seeking effect on bird migration, their effect on the movement of bacteria, and as important
signal sources from the human heart and brain. Therefore, biomagnetic measurement
of magnetic fields is a crucial tool in investigating the functional organization of some
human organs. Due to their extremely high field sensitivity down to the picoTesla level at
room temperature, GMI-based sensors have been employed for biomagnetic field detection.
The localized biomagnetic fields generated by smooth muscle cells, cardiogram signals,
and smooth muscle tissue samples taken from a guinea pig have been detected using
an MI sensor without a magnetic shield [19,20,46]. The biomagnetic signal from ileum
musculature samples have been measured to be up to several nT [46]. Recently, numerous
studies have suggested that the superior field sensitivity of GMI-based sensors is highly
promising for magnetocardiography (MCG) and magnetoencephalography (MEG) [22,32].

Measurement of an MCG signal using an off-diagonal MI gradiometer in an unshielded
environment at room temperature was reported in 2017 [83]. The sensor head of the gradio-
magneto sensor was located 10 mm from the body surface of the test subject. Simultaneous
measurements of electrocardiogram (ECG) and MCG signals were performed. Because of
the chest movement from the test subject, the shown signal was averaged over more than
50 cycles. An active magnetic shielding system was developed for this gradiometer, which
effectively reduced environmental magnetic noise around the sensor head and reduced
the number of averaging cycles from 50 to 25 [84]. Moreover, Mohri et al. [22] utilized
amorphous wire MI sensors integrated with CMOS to measure the back MCG from the left
scapula of a test subject. The obtained signals showed excellent results when compared to
simultaneous measurements of ECG and MCG. Ma and Uchiyama [85] later developed a
new type of MI gradiometer consisting of a pair of CoFeSiB amorphous wires and a pick-up
coil, which used a peak-to-peak voltage detector by synchronized switching. With this
highly sensitive sensor, they performed MCG and MEG at room temperature (Figure 9) with
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an average of 10–15 cycles in an unshielded environment and achieved a noise amplitude
of 100 pT [86].

Figure 8. (a) The low-field (-4 Oe to 9 Oe) GMI curve demonstrating the regions measured during
nanoparticle detection. ‘A’ corresponds to HDC = 2 Oe; ‘B’ is HDC = 3.5 Oe (~HK: the anisotropy field);
and ‘C’ is HDC = 5.5 Oe (>HK); (b) the change in resistance (dR) in a soft ferromagnetic Co-rich wire
when exposed to different quantities of nanoparticles relative to the resistance with no nanoparticles
present. Measurement was performed at each of the DC fields HDC = 0 Oe, 2 Oe, 3.5 Oe, and 5.5 Oe;
(c) linear fit of the low-field region of the MI curve allowed us to calculate the stray field of Fe3O4

nanoparticles; and (d) the linear change in resistance (dR) for HDC = 2 Oe indicates that this MI-based
microwire sensor can be used to detect small concentrations of magnetic nanoparticles.

Real-time brain activity measurement was carried out using a highly sensitive MI
sensor without any magnetic shielding at room temperature [21,87,88]. Uchiyama and
coworkers set up a GMI-based gradiometer to measure a small magnetic field 5 mm from
the back left of the subject’s head. The compared signals were ~500 pT in magnitude
between eye opening and eye closing with respect to the background field. An analogous
experiment was reported in [87], where an auditory evoked field (AEF) brainwave was
probed using a highly sensitive MI sensor (picoTesla resolution) in a normal environment.
The authors showed a difference in the received signals when the test subject opened or
closed his/her eyes [87]. This real-time monitoring of brain activity signals supports the
findings of the gradiometer measurement. Recent studies have explored alpha rhythm and
visual event-related field (ERF) measurements using a high-performance MI sensor system
in an unshielded environment [88]. The authors showed the difference in the measured
MEG and EEG signals simultaneously when the test subject opened or closed his/her eyes.
This noninvasive real-time monitoring of human biomagnetic fields using a highly sensitive
MI-based sensor could be applied for brain activity measurement.
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Figure 9. (a) Measurement location of MCG, which was 25 mm to the left of the pit of the stomach
and 10 mm from the surface. (b,c) Real-time recordings of MCG and ECG signals measured by a
peak-to-peak VD-type MI gradiometer without any magnetic shielding equipment. Reprinted with
permission Ref. [86]. Copyright 2022 Elsevier.

4.3. Microfluidics

The superior magnetic field sensitivity of MI biosensors makes them attractive sensors
in sensitive microfluidic platforms. Recently, the detection of biofunctionalized magnetic
particles using a variety of MI geometries as sensing elements has been explored from the
viewpoint of biomedical and clinical diagnostics. In 2016, the in-flow detection of ultra-
small magnetic particles (20 nm) with a nanomolar concentration of superparamagnetic
nanoparticles was achieved using a Co-rich microwire-based sensor (see Figure 10). The
experimental results were theoretically validated with a model of the magnetization of a
linear homogeneous isotropic material [67]. Later, an off-diagonal GMI biosensor integrated
with a simple microfluidics chip was employed to detect antibody and alpha-protein (AFP)
antigens labelled with magnetic beads in concentrations as low as 100 fg/ml under an
external magnetic field. The experiment reveals that linear correlation with the AFP
concentration is a useful approach for detecting cancer biomarkers [89].

 

Figure 10. (a) Left to right: 3D schematics of the microfluidic system showing the PDMS micro-
channel on one side of the glass substrate, the GMI microwire with electrical connections on the other
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side, and a picture of the actual device. (b) Picture of the experimental bench where one can see the
programmable syringe pumps, the shielded box, the Helmholtz coils, and the microfluidic system.
(c) Measured magnetic signal before and after (black dotted, t = 87.5 s) injection of the USPIOs plugs
with 5.47 × 10−9 mol contents (2 mm long-20 nL volume with a molar concentration of 230 mmol/L).
Reprinted with permission from Ref. [67]. Copyright 2022 AIP Publishing.

Feng et al. employed a GMI-based immunoreaction platform to detect the stray mag-
netic field and variation of magnetic signal from immunomagnetic beads [90]. In this
configuration, a meander-line structured Co-based ribbon was integrated onto a microflu-
idic chip fabricated by MEMS. The integrated microfluidic chip consisted of incoming inlets
and incubation and reactive chambers used as the biomarker detection system. In this detec-
tion scheme, prostate specific antigen (PSA) was detected at a concentration of 0.1 ng/mL,
which is quite promising for further quantitative analysis. Recently, Melnikov et al. fab-
ricated FeNiCu multilayer nanostructures that were used for the detection of magnetic
particles in a blood-vessel-like structure [28]. The measurement of stray fields generated
by iron-oxide microparticles under an external magnetic field was carried out using the
longitudinal MI effect. The position of magnetic composite samples mimicking a thrombus
(blood clot) was performed experimentally and modelled theoretically using COMSOL.
This experiment is promising for thrombosis evaluation and therapy [28].

4.4. Real-Time Healthcare Monitoring of Patients with Respiratory Illness or COVID-19

Breathing is vital to life. Therefore, the real-time monitoring of a patient’s breath-
ing pattern is crucial to the support of respiratory rehabilitation therapies, such as mag-
netic resonance exams for respiratory-triggered imaging, chronic pulmonary disease treat-
ment, and synchronized functional electrical stimulation. While several respiratory mon-
itoring devices have already been developed [91–96], they are often in direct contact
with a patient, which increases the chance of inaccurate or limited data. In this context,
Thiabgoh et al. [94,96] developed a novel, noninvasive, and contactless magnetic sensing
platform based on magneto-LC resonance (MLCR) technology that can precisely monitor
a patient’s breathing, movement, or sleep patterns, thus providing efficient monitoring
at a clinic or at home. A combination of the GMI and LC-resonance effects makes the
MLCR sensor extremely sensitive to small variations in magnetic field. By placing a tiny
permanent magnet on a patient’s chest, the MLCR sensor can precisely convert the magnetic
oscillations generated by the patient’s breathing into an impedance spectrum (Figure 11a),
which allows deep analysis of breathing variation to help identify respiratory-related dis-
eases. Hwang et al. recently reported that the MLCR sensor can yield a distinct breathing
pattern for each person tested and reveal abnormal breathing [95]. They showed that when
individuals get older, they manifest weaker breathing marked by increased respiration
rate. Older individuals held their breath for shorter periods of time and often experienced
more respiratory issues than younger people. They also observed that as people became
more relaxed (Figure 11b), their breathing occurred more regularly, and eventually more
slowly while sleeping (Figure 11c) as compared to when awake (Figure 11d). Listening to
relaxing music while sleeping was also found to help the patient breathe more regularly
and slowly (Figure 11e) than in the case without music (Figure 11d) [95]. Research has
shown that music can slow down our breathing rates, which helps to release stresses and
promote relaxation as well as treat chronic pulmonary disease [97,98]. Research also has
shown that breath-training techniques can help us relax, sleep, and breathe more naturally
and effectively [99]. It is therefore anticipated that the ultrasensitive MLCR monitor can
provide not only valuable information on a patient’s current health status, but also a novel
breathing control tool for improving our health and physical performance.
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Figure 11. (a) Schematic for the respiratory motion test and results; inset is an image of the soft-
magnetic-coil-based sensor probe; (b) breathing patterns of a 42-year-old patient were continuously
tracked from waking to sleeping; (c) waking of the patient; (d) during sleep, the patient breathed more
deeply (higher amplitude) and slowly (14 times per minute) than when awake (20 times per minute);
(e) breathing patterns of this patient while sleeping with piano music; the person breathed more
regularly and slowly (11 times per minute) than when sleeping without music (14 times per minute)
(d). The abnormal breathing observed around 45 s almost disappeared when sleeping with music.

COVID-19 has killed more than 80 million people around the world, a number which
continues to increase daily. This outbreak represents an unprecedented global public
health challenge. To limit the spread of COVID-19 and to help doctors in clinical decision
making, detection and real-time monitoring of symptoms during early, intermediate, and
severe states is critical. However, most of the existing detection methods yield limited
information with long processing time, and often require significant amounts of sample
data from the subject, which requires human contact [100–102]. Therefore, there is an
urgent demand for developing contactless devices that enable early and fast detection
of COVID-19 and to track its growth rate in real time. Recall that common symptoms of
COVID-19 include (i) shortness of breath or difficulty breathing, (ii) cough, and (iii) fever
(Figure 12a). Since the MLCR sensor can detect abnormal breathing, it can be employed to
distinguish breathing patterns of healthy and COVID-19-infected individuals as well as to
track in real time breathing pattern variations of COVID-19 patients at different stages of
illness [103]. Phan’s group demonstrates the excellent capacity of using this technology to
reveal shortness of breath and abnormal breathing in the breathing patterns of COVID-19
patients (Figure 12b–e) that are often absent in healthy people. It is worth mentioning that
the tested COVID-19 patient lost the ability to hold his/her breath for extended periods
and required a much longer time to return to a regular breathing pattern (Figure 12e) as
compared to healthy people. Combining this technology with AI and machine learning, it
could be possible to determine a COVID-19 patient’s health status (early, intermediate, or
severe) and help propose an appropriate medical treatment plan based on the available
data [100].
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Figure 12. (a) Illustration of COVID-19 symptoms; top: schematic of the virus, bottom: breathing
pattern of a patient with COVID-19. (b) Breathing pattern of the COVID-19 patient revealed irregular
amplitude and several breathing anomalies. (c) Shortness of breath is evident from analysis of the
peak-to-peak time versus measurement time. (d) The broad distribution of frequencies deduced
from Fourier transform also reveals these features. (e) The COVID-19 patient lost the ability to hold
his/her breath for a long time and required a much longer time to return to normal breathing.

5. Concluding Remarks and Future Outlook

While magnetoimpedance-based biosensors show remarkable sensitivity at room tem-
perature, much of the work performed in the detection of biomarkers remains qualitative.
The ability to quantify magnetic and nonmagnetic biomarkers is key for the application
of magnetoimpedance sensors beyond the detection of magnetic fields. In this respect,
amorphous ribbons suffer from poor reproducibility due to the rapid-quenching fabrication
process. We previously discussed the work by Devkota et al. that demonstrates the poten-
tial of introducing patterned holes into the surface of ribbons for improving their sensitivity.
This approach warrants further study, and we propose that even the introduction of a single
micron/nano-sized hole should have a significant impact on the detection sensitivity of
ribbon-based magnetoimpedance biosensors. The interaction between magnetic particles
and patterned holes of comparable sizes could permit detection of a single particle. While
patterned holes can enhance the sensitivity of such sensors, reproducibility remains an
issue that should be addressed by future studies. Multilayered films are the clear choice
for quantifiable and reproducible sensors that can be mass produced due to their well-
established fabrication techniques. Further work is necessary to enhance the detection limit
of these sensors, which could be achieved by improving signal filtering to reduce noise,
expanding fabrication techniques, and/or exploring different sensor geometries.

Beyond the detection of magnetic biomarkers, magnetoimpedance-based sensors show
ultrahigh sensitivity to ultrasmall magnetic fields. Magnetic microwires show significantly
higher sensitivity than ribbons or multilayered films but lack a platform for contact detec-
tion of magnetic biomarkers. However, their ultrahigh sensitivity to stray fields allows
quantification of the stray field of magnetic nanoparticles, both static and in flow, as well
as the detection of biomagnetic fields. This highlights the importance of choosing an
appropriate magnetoimpedance-sensing element based on the desired application and is a
testament to their versatility.

We have seen an increasing number of reports of GMI sensors for human healthcare
monitoring. An interesting application that stands out is the work by Hwang et al. that uses
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a GMI-based magnetic field sensor to measure the respiratory motion of human subjects
in a completely contactless manner. The authors further proposed using this technique to
track the progress of COVID-19 patients and to determine if there is a correlation between
different stages of COVID-19 and respiratory patterns. AI and machine learning have
proven to be powerful tools to analyze these types of data, and in conjunction with other
indicators such as heart rate, blood oxygen, etc., could be used for future diagnosis of
COVID-19 patients. This model could be expanded to study several other respiratory
illnesses, sleeping disorders, and healthcare tracking to offer a wide range of potential
applications for novel GMI biosensors for human healthcare.

Given the fact that music can help us relax and improve our breathing, the develop-
ment of magnetic–musical biofeedback for breathing regulation and control appears to be a
novel approach that will stimulate further studies to fully exploit its unique practicality
and wide-ranging healthcare monitoring applications. This technology can also find its
place among other important applications in artificial intelligence, emotion detection, and
space control and management.

The fast Fourier transform (FFT) algorithm, which converts a signal from the time
domain to the frequency domain and vice versa, can be used in future research to extract
spectral features from breathing patterns. This would also be used in combination with
machine learning and other algorithms for signal processing to provide comprehensive
information on a patient’s health status and physical performance.
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Abstract: Microfluidics is a promising approach for the facile and large-scale fabrication of monodis-
persed droplets for various applications in biomedicine. This technology has demonstrated great
potential to address the limitations of regenerative medicine. Microfluidics provides safe, accurate,
reliable, and cost-effective methods for encapsulating different stem cells, gametes, biomaterials,
biomolecules, reagents, genes, and nanoparticles inside picoliter-sized droplets or droplet-derived
microgels for different applications. Moreover, microenvironments made using such droplets can
mimic niches of stem cells for cell therapy purposes, simulate native extracellular matrix (ECM) for
tissue engineering applications, and remove challenges in cell encapsulation and three-dimensional
(3D) culture methods. The fabrication of droplets using microfluidics also provides controllable
microenvironments for manipulating gametes, fertilization, and embryo cultures for reproductive
medicine. This review focuses on the relevant studies, and the latest progress in applying droplets in
stem cell therapy, tissue engineering, reproductive biology, and gene therapy are separately evaluated.
In the end, we discuss the challenges ahead in the field of microfluidics-based droplets for advanced
regenerative medicine.

Keywords: droplet; microfluidics; regenerative medicine; stem cell therapy; tissue engineering

1. Introduction

Regenerative medicine is an emerging therapeutic method to reconstruct the human
body’s damaged organs and tissues [1]. This growing interdisciplinary science combines
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different approaches and technologies, such as medicine, stem cell biology, genetics, bioma-
terials, and chemistry. Regenerative medicine’s primary field is cell therapy that directly
implements stem cells and their secretions—such as exosomes and extracellular vesicles
(EVs)—for tissue repair [1,2]. The accompanying of stem cell technology with biomaterial
sciences, nanotechnology, and manufacturing techniques has led to the advent of tissue
engineering, trying to improve cells’ efficacy and functionality in injured tissues [3–5].
Moreover, the promising area of gene therapy resulting from tremendous improvements
in genetics and molecular biology enables researchers to manipulate genes in cells [6].
The efficacy of all of these fields in regenerative medicine could not be improved with-
out the provision of the stem cells being encapsulated safely in three-dimensional (3D)
microenvironments mimicking their native home, or being confined in small rooms that
prepare micro/nano-scale necessities and conditions for cellular manipulation and anal-
ysis [7,8]. Meeting this objective could significantly enhance the efficacy and success of
stem-cell-based therapeutic methods, achievable by implementing droplets made by using
microfluidic systems.

Droplet-based microfluidics is the technology of generating and manipulating small
volumes of fluids (in the range of nL to pL) in immiscible phases. The droplets made using
this technique can be produced at high frequency with desirable monodispersed sizes and
well-defined volumes [9]. Moreover, well-controlled sequences of reproducible droplets
can be obtained by implementing different geometries and patterns in microfluidic de-
vices [10], which prepare desirable microenvironments for the isolation and encapsulation,
culturing, gene editing, analysis, manipulation, and fusion of cells [11]. Therefore, they
can provide a proper environment for cellular and molecular studies in different fields of
regenerative medicine, including stem cell therapy, tissue engineering [12], gene therapy,
and reproductive biology [13].

Microfluidic systems can provide safe and high-efficacy encapsulation methods for
capturing stem cells inside aqueous droplets [14]. The droplets can be filled with spe-
cific culturing media for growing stem cells, or be filled with 3D hydrogels to mimic the
native microenvironment of tissues for stem cells to proliferate and differentiate toward
the desired adult cells [15]. Therefore, these droplets can mimic stem cells’ niches and
improve complicated cellular complexes [16]. In addition to mimicking the stem cells’ niche,
encapsulation of stem cells inside droplets can reveal their behavior and fates in different
microenvironmental indications, such as cell–cell signals and possible cell–biomaterial
interactions [17]. Moreover, droplets can simulate the biological and mechanical conditions
inside niches of stem cells to aggregate and form mono/multicellular spheroids. Further-
more, the microenvironment created by droplets enables the development of intricate
cellular clusters such as organoids via self-assembly and tissue formation. Droplets can
also be appropriate platforms for performing high-throughput analysis and screening stem
cells at a single-cell level to provide valuable information required for cell therapy and
tissue engineering [17]. For instance, this technology enables us to study single stem cells’
gene expression profiles in different stages of differentiation. Moreover, the microenvi-
ronments made by droplets can prepare conditions necessary for other high-throughput
analyses—such as RNA sequencing—more efficiently and cost-effectively [18].

Implementing microfluidics-based droplets with assisted reproductive technology
(ART) techniques can also improve the efficacy of generating artificial uteri, stem-cell-
derived gametes, and human cloning [19,20]. Furthermore, droplets can also prepare
desired genetic manipulation conditions in gene-therapy-based therapeutic methods [21].
Droplets act as nano-scale platforms to improve the efficacy of correcting genetic disorders
via the insertion of exogenous genetic materials into cells based on non-viral vector systems.
Therefore, the side effects caused by viral infections during gene editing of cells can
be reduced by encapsulating cells and desired genomic materials inside droplets and
implementing physical forces such as electric, optic, and hydrodynamic forces.

In this review, we present the state-of-the-art microfluidics-based droplet technologies
for preparing microenvironments needed for the main domains of regenerative medicine,
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including stem cell therapy, tissue engineering, reproductive biology, and gene therapy.
This review is organized into microfluidics-based droplet generation methods and the
latest applications of droplets in each regenerative medicine domain (Figure 1). Finally, our
conclusion and future remarks for implementing microfluidics-based droplets to bridge
the gaps between the regenerative medicine lab and clinical practice are discussed.

Figure 1. Microfluidics-based droplets for advanced regenerative medicine: Their applications in
stem cell research (cell culture, niche engineering, spheroid forming, organoid generation, and
high-throughput analysis), tissue engineering, reproductive biology, and gene therapy.

2. Microfluidics-Based Droplets

Microfluidics technology has undergone outstanding progress after its debut in the
1990s, and has shown massive functionality for biomedical applications [22–24]. Fur-
thermore, the capacity of microfluidics to manipulate multiphase systems and generate
monodispersions of polymer particles, emulsions, bubbles, and droplets has increased
due to vast advances in microfabrication over the past decade [25]. Microfluidics-based
systems implement the fundamentals of two-phase dynamics in microchannels for fab-
ricating droplets for regenerative medicine purposes. These platforms facilitate droplet
fabrication based on emulsification methods within their microchannels, and generate
monodispersed droplets. Moreover, these systems can eliminate some common challenges
in droplet generation using bulk techniques [26]. One of the biggest challenges in non-
microfluidic methods is mixing two fluids in the bulk volume to enhance the turbulence,
causing the break-up of droplets due to shear flows. Microfluidic devices can precisely
control individual droplets, reduce sample consumption, and decrease polydispersity [27].
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Furthermore, the unique convective flow profile within individual droplets enhances the
mixing, leading to significant improvement of heat and mass transfer and acceleration
of reactions [28]. For the aim of droplet generation, a variety of geometries and patterns
can be implemented. These systems can also be integrated with automation systems and
computers for versatile manipulation of the droplet formation process.

Droplet formation and manipulation in microfluidic devices can be either passive
or active [29]. Passive droplet formations include co-flow (coaxial), crossflow (mainly
in T-junction), and flow focusing [30]. In co-flow systems, samples are introduced via
coaxial microchannels. The inner channel is assigned for the dispersed fluid phase, while
the outer channel is responsible for the continuous phase. For the crossflow designs, the
continuous and the dispersed fluid meet at an angle, where the most common case is a
T-junction channel at an angle of 90 degrees. In the flow-focusing category, the continuous
and the dispersed flow streams are introduced coaxially inside a confined region, which
leads to the generation of droplets. The interfacial tension, viscosity, and flow rate ratio of
continuous and dispersed flows define the gap, size, and generation rate of droplets. Active
droplet formation and manipulation also involves electric, magnetic, and/or acoustic
forces. Within the electric control, both alternating and direct current can be used (see the
EWOD concept in Section 5). The droplet size can be precisely controlled by adjusting the
electric field strength in the electrical methods. In dielectrophoresis (DEP), through the
use of an electric field, uniform droplets can be generated by pulling the droplets from
the reservoir of fluid. For the magnetic fields, the magnetic control occurs via ferrofluids,
which are magnetic nanoparticle suspensions in an aqueous or oil-based carrier [31]. In
droplet microfluidics, ferrofluids can be considered the dispersed- or continuous-phase
flow. Droplets in magnetic-assisted droplet microfluidics can be characterized using the
magnetic bond number, which is defined as the ratio of the magnetic force to the interfacial
tension strength. Acoustic forces can also be helpful in droplet generation. For instance,
surface acoustic wave devices can be utilized to induce mechanical vibration, assisting in
droplet generation [32].

Many factors affect droplet formation. Therefore, proper comprehension of droplet
formation and its dynamics is enlightening for utilizing its applications [33]. In passive
droplet microfluidics, immiscible flow phases exist, generating both individual volumes of
fluids and moving interfaces. Within each individual droplet, the convective flow profile
eases the mixing. The linear Stokes equations govern the microfluidic droplet dynam-
ics [34]. However, certain nonlinearities exist because of the two-phase flow interface
and the variable interfacial tension. In passive microfluidics and pressure-driven flow,
the interface deformation and the associated droplet breakup are affected by the channel
junction geometry design and the local fluid flow. In droplet microfluidics, dimensionless
numbers characterize the fluid behavior. The first crucial dimensionless number is the
Reynolds number, defining the ratio of inertial to viscous forces. However, the Reynolds
number is usually small; therefore, inertial forces become negligible. Another substantial
dimensionless number is the capillary number, Ca, which identifies the ratio of viscous
strength to interfacial forces. Indeed, two competing effects of the interface extension and
deformation, which are mainly caused by deformation resistance and shear stress, affect the
droplet formation. The other important dimensionless number is the Weber number, which
defines the ratio of inertial to interfacial tension. At high flow rates, the transition of indi-
vidual droplets to continuous jets is affected by inertial effects. Although the dimensionless
numbers mentioned above are the most critical numbers in droplet microfluidics, other
factors such as buoyancy, gravity, or elastic effects also exist under certain circumstances,
and must be evaluated through the definition of proper dimensionless numbers [33].

The emulsions used for droplet generation inside microfluidic devices are classified
into four system structures: oil-in-water, water-in-oil, water-in-oil-in-water, and oil-in-
water-in-oil emulsions. The oil-in-water emulsions are systems consisting of oil droplets
dispersed in an aqueous phase; these emulsions have been used to encapsulate and deliver
various bioactive lipids, fatty acids in food products, and oil-soluble drugs for pharma-
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ceutics [35,36]. The second category is water-in-oil emulsions—systems of water droplets
dispersed in an oil phase; these emulsions have been utilized in several industries, includ-
ing foods, cosmetics, chemical synthesis, and printers. These suspended aqueous droplets
can encapsulate water-soluble ingredients (such as polymers and hydrogels) or living
cells (including stem cells and progenitor cells) after crosslinking, and are highly useful
in the fields of tissue engineering and regenerative medicine [37]. There are also water-
in-oil-in-water and oil-in-water-in-oil emulsions, which are known as multiple emulsions
consisting of water and oil droplets dispersed within larger opposite-phase droplets, e.g.,
the water-in-oil-in-water emulsions are double emulsions in which oil droplets enclosing
water droplets are dispersed in water (Figure 2). These multiple emulsions are widely
used in the food industry [38], cosmetic production, pharmaceutical research, and chemical
separation [39,40]. Furthermore, many methods exist for droplet manipulation.

Figure 2. Microfluidics-based methods for droplet generation. The emulsification methods, types of
droplets, geometries used in the passive generation, and forces can be implemented for the active
generation of droplets.

3. Microfluidics-Based Droplets for Stem Cell Therapy

Stem-cell-based therapy is a regenerative medicine division in which stem cells are
implemented for repairing tissues and organs [41]. Due to the tremendous advances in
stem cell technologies over the past decade, this therapeutic approach has extended to
the clinical trial stages to treat various diseases [42]. The advent of different types of stem
cells—including pluripotent stem cells (PSCs), mesenchymal stem cells (MSCs), embryonic
stem cells (ESCs), and induced pluripotent stem cells (iPSCs)—has made advanced stem
cell therapy a game-changer in regenerative medicine [43]. The setup of precise derivation
methods and treatment of cells with specific culturing media is necessary in order to
differentiate these stem cells into the desired functional adult cells. Such environmental
conditions can be created inside droplets made via microfluidic technology. In this section,
the utilization of droplets for culturing and differentiation of stem cells, simulating stem
cell niches’ microenvironments, and the formation of spheroids and organoids is reviewed.
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In the end, the droplet-assisted methods for isolation and single-cell analysis of stem cells
are described.

3.1. Droplet-Based Stem Cell Culture

The technologies associated with the expansion, editing, and transplantation of
stem cells and progenitor cells play an essential role in cell therapy and regenerative
medicine [44]. Three significant characteristics identify stem cells: first, they have self-
renewal capacity; second, they are unspecialized cells; third, they can differentiate into
specialized subpopulations [45]. These cells reside in specific dynamic 3D microenviron-
ments in the body called niches, which provide complicated biochemical and biophysical
cues that aid in these cells’ survival and determine their fate [46]. The advancement of
microfluidics-based droplets can enhance our perception of the regulating functions in-
volved in microenvironmental signaling, significantly improving cell therapy’s chance of
success. The generation of monodispersed micro-scale droplets via microfluidic systems
provides stem cell researchers with facilities to encapsulate stem cells inside 3D microgels
with the desirable microenvironment, removing some challenges in stem cell therapy. For
instance, the low retention and homing of transplanted stem cells after transplantation
dramatically reduce their therapeutic effects on patients. In other words, it is necessary to
support transplanted cells’ retention and chemotaxis in order to achieve long-term and
efficient cell therapy [47,48]. Therefore, we need approaches such as droplet carriers or
droplet-derived microgels that prolong cell culture time before and after transplantation.
Another challenge in regenerating damaged tissue is the simulation of the 3D structure of
tissue, which provides a range of physiologically more significant features than 2D, such as
culturing stem cells or sphere formation to form multicellular tissue cultures in vitro for
further implantation [49].

Droplets can enhance the efficacy of one of the primary stem cell sources in cell
therapy—MSCs [50]. These cells can be separated from the bone marrow, adipose tissue,
amniotic fluid, amniotic membrane, umbilical cord, and placenta, which secrete different
anti-inflammatory, angiogenic, and anti-fibrotic factors, and cause immunomodulation
without noticeable activation of any immune responses [51]. The low homing capabilities
in targeting of tissues by MSCs can be addressed by encapsulating MSCs inside 3D droplet-
derived hydrogels [52,53]. Moreover, these elements are suitable for the simultaneous
carrying of sensitive biological cargoes, including nucleic acids, proteins, drugs, nanopar-
ticles, and living cells [54,55]. By controlling the droplet-derived microgels’ porosity, the
presence of immunostimulatory agents produced by allogeneic or xenogeneic cells trans-
planted to the immune system in surrounding tissues and capillaries could be reduced. At
the same time, the diffusion of oxygen and cellular waste products is preserved. Microgel
porosity can be easily controlled by different hydrogel biomaterials and concentrations [56].
Many studies have investigated the impact of encapsulating MSCs on the secretion of
biochemical agents and signaling proteins made by cells inside hydrogels. For instance,
Headen et al. used a two-layer parallel microfluidic system to encapsulate human MSCs
in synthetic microspheres with less than 100 μm diameter; they observed that these 3D
microspheres increased cells’ viability and enhanced the secretion of vascular endothelial
growth factor (VEGF), which is necessary for angiogenesis [57]. VEGF is an exclusive
mitogen for vascular endothelial cells, which induces proliferation, promotes migration,
and inhibits apoptosis of endothelial cells [58]. In addition to isolating transplanted cells
from the host immune system, 3D gels allow engineering of the cell-laden microenviron-
ment, which presents cells with the stiffness of matrix–adhesive ligand interactions. These
factors significantly influence the secretory function and differentiation of encapsulated
stem cells [59,60].

Human embryonic stem cells (hESCs) are also popular stem cell sources in clinical
trials; they can be endlessly expanded in culture and differentiated into any given cell
type in the body [61]. The differentiation of hESCs is generally performed either in 3D
aggregates known as embryoid bodies (EBs), or in two 2D monolayer cultures. Droplets can
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also assist in the encapsulation of hESCs inside biomaterials and microenvironments [62].
For instance, Chayosumrit et al. established a 3D model to expand and differentiate hESCs
and encapsulate them in calcium alginate microcapsules. The microgels induced cellular
interactions, which are essential for preserving both pluripotency and differentiation of
hESCs, allowing separation of hESCs from fibroblasts and providing immune isolation
during transplantation (Figure 3A) [63].

3.2. Droplet-Based Spheroids

When stem cells settle in their native 3D niche microenvironment, they assemble with
other cells and form aggregates, called cell spheroids [51]. These stem cells inside spheroids
can prepare complicated interactions with other types of stem cells, progenitor cells, stromal
cells (via their secretary molecules), and extracellular matrix (ECM) molecules, leading to
their differentiation, activation, and performance. The in vitro encapsulation and culturing
of stem cells inside droplets with similar physiological and mechanical properties to the
native niche can enable us to address such challenges [64].

Despite developing a variety of techniques for in vitro spheroid formation—including
hanging drop, spinner flask, and suspension culture—over the past decades, some limitations
decrease the efficacy of spheroids for research and clinical purposes, including the laborious
procedure, and the limited diffusion of oxygen and nutrients to the spheroids [65–67]. The
microfluidics-based droplets can act as platforms for high-throughput culturing and precise
size control of spheroids inside 3D microenvironments to address these issues. Furthermore,
the fabrication of stem cell multicellular spheroids with controlled dimensions, which are in
high demand in regenerative medicine, is achievable using droplets because they can provide
different cells inside spheroids with the ability to interact, regulating biological processes such
as hemostasis and disease development. In vitro formation of multicellular spheroids enables
the intercellular interactions required for cell viability, phenotyping, and function maintenance
of stem cells [68].

In terms of multicellular spheroids, Chan et al. developed a method for generating
double-emulsion water-in-oil-in-water (w/o/w) droplets for high-throughput production
of spheroids via droplets encapsulating different cell types, such as human mesenchymal
stem cells (hMSCs); they applied these droplets as bioreactors to accelerate the growth and
formation rates in spheroids; moreover, they extracted these spheroids and encapsulated
them in alginate and alginate/RGD (arginine-glycine-aspartic acid) 3D microenvironments,
and found that the incorporation of modified alginate enhanced the osteogenic differen-
tiation of spheroids (Figure 3B) [69]. The liquid microenvironment of droplets can also
create cellular spheroids via their cell–cell interactions in a pre-hatching embryo. Agarwal
et al. constructed a core–shell microcapsule to imitate the 3D structure of pre-hatching
embryos with a hydrogel alginate shell and an aqueous core of embryonic cells; their results
demonstrated a survival rate of over 92% in encapsulated embryonic cells. Inside these
microfluidic-derived droplets, single cells could turn into embryonic bodies (EBs) consist-
ing of almost 20 cells, while hundreds of cells are required to form embryonic bodies via the
hanging drop method. Agarwal et al. also observed a significant increase in pluripotency
gene expression compared to in 3D culture (Figure 3C). Finally, they differentiated these
EBs into beating cardiomyocytes with the aid of only a small molecule instead of a complex
combination of growth factors [70].

One of the most crucial requirements to vastly employ spheroids in regenerative
medicine, drug discovery, and pharmaceutics is a production process that is cost-effective,
easy to implement, and not prone to human error. A variety of research groups are attempt-
ing to advance robotized droplet microfluidic platforms to produce practical microspheres
for cell encapsulation and culture on a large scale. For instance, Langer and Joensson devel-
oped an automated microfluidics-based droplet generation system for spheroid formation;
they fabricated scaffold-free cell spheroids with highly monodisperse droplets, at a high
production rate of 85,000 spheroids per microfluidic device per hour; furthermore, their
platform consisted of main steps, including droplet generation, formation, and recovery, as

251



Biosensors 2022, 12, 20

well as dispensing of spheroids [71]. In another study, Cedillo-Alcantar et al. developed an
automated microfluidic system that produced droplets to cultivate as well as biosensing
hepatic spheroids. The droplets were able to mimic hormones’ physiological microenviron-
ment in the hepatic portal circulation and support the long-term preservation of primary
hepatocytes. Additionally, spheroids’ biochemical responses inside droplets (secretion of
glucose and albumin) were monitored in a real-time manner using an enzymatic assay [72].

Figure 3. Microfluidics-based droplets for generating 3D culture conditions, niches, spheroids,
and organoids for stem cell therapy applications: (A) Viability and morphology of encapsulated
hESCs at different timepoints after encapsulation in alginate microcapsules (viable cells: green
GFP; non-viable cells: red PI) [63]; Copyright, Elsevier. (B) Immunostaining for E-cadherin and
integrin for spheroids encapsulated in alginate or alginate/RGD microgel after three days [69];
Copyright, Nature. (C) Immunohistochemical staining of pluripotency marker proteins (Oct-4,
green; SSEA-1, red; Hoechst, blue) in the embryonic spheroids [70]; Copyright, The Royal Society
of Chemistry. (D) Spatial assembly of different cells in the 3D core–shell scaffolds. Up: HepG2
cells are confined in the core by the hydrogel shell. Middle: NIH-3T3fibroblasts immobilized by
the crosslinked alginate network in the shell. Down: Simultaneous assembly of hepatocytes in the
core and fibroblasts in the shell, forming an artificial liver in a drop [73]; Copyright, The Royal
Society of Chemistry. (E) Construction of organoids through the co-culture of HUVECs and hMSCs
in spiral-based microspheroids. HUVECs were spirally distributed on the surface of the spheroids,
with a composition ratio (QHUVECs:QhMSCs) of 1:2 [74]; Copyright, Wiley Online Library.
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3.3. Droplet-Based Organoids

Organoids are intricate cell clusters made of different stem/progenitor cells of specific
organs that form complex tissue-specific structures in the presence of 3D ECM microenvi-
ronments via self-assembly. Improving the in vitro 3D culture systems to mimic the native
microenvironment of organoids in the body and generate organoids that can produce
vessel-like structures for fluid transportation is a demanding concern that can be addressed
using droplet-derived microgels. Moreover, the challenge of deficient nutritional supply
in organoids can cause limitations of their size, survival, and functionality, which can be
addressed via a microfluidics-based droplet-encapsulating approach [75].

Safe encapsulation of different types of cells in liquid microenvironments or 3D microscale
constructions made of biocompatible ECM is a great challenge in the development of functional
organoid models, achievable using droplet-based microfluidics [76] (Figure 4A). For instance, the
liver comprises various cell types, including primary hepatocytes, hepatic stellate cells, Kupffer
cells, endothelial cells, and fibroblasts. The proper liver-specific functions are achievable when
these cells are cultured together in 3D cell co-culture systems. Chen et al. utilized a flow-focusing
microfluidic device to produce droplets containing an aqueous core and an alginate hydrogel
shell. To generate the human liver model in each droplet, they encapsulated hepatocytes and
fibroblasts in the core and hydrogel shells, respectively. The co-culture of hepatocytes and
fibroblasts increased homotypic and heterotypic cell–cell interactions, followed by high liver-
specific functions inside droplets. Additionally, the alginate shell’s high permeability resulted
in the high cell viability of micro artificial organs after more than 10 days (Figure 4D) [73]. In
another study to produce heterogeneous human organoids, Zhao et al. utilized a microfluidic
nozzle to improve the efficacy of an airflow-assisted 3D bioprinter for the printing of cell-
laden spiral microarchitectures; they encapsulated human umbilical vein endothelial cells
(HUVECs) and hMSCs inside spiral-based microspheroids to establish a complicated co-culture
3D microenvironment for osteogenesis and angiogenesis in these organoids [74]. These cell-
laden spheres supported in vitro production of osteogenic nodules in functional organoids
(Figures 4E and 5C) [74].
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Figure 4. Microfluidics-based methods for droplet fabrication for stem cell therapies: (A) Up: Design
of a microfluidic device to produce single emulsion drops consisting of multiple aqueous phases;
the alginate droplets are solidified inside the chip and are immediately collected inside cell media.
Down: The detailed mechanism to form multi-compartment alginate microgels [69]; Copyright, Wiley
Online Library. (B) Rapid formation of multicellular spheroids after assembly of encapsulated cells.
The spheroids can be released with or without microgel encapsulation [76]; Copyright, Nature. (C)
Design of an airflow-assisted 3D bioprinter with a microfluidic nozzle to manufacture 3D spiral-based
cell-laden spheroids. Sodium alginate solutions are extruded from the microchip and rotated by the
airflow [74]; Copyright, Wiley Online Library. (D) Design of a droplet-based method for single-cell
sequencing. Hydrogel microspheres are made containing barcoded oligo(dT) primers and sequencing
adaptors. Each barcoded hydrogel microsphere is encapsulated with a single cell into a droplet with
lysis buffer and reverse-transcription mix. Primers are released regarding UV exposure, and cDNA
synthesis is performed in each droplet. Droplets are then broken, and barcoded cDNA of each cell is
linearly amplified, followed by sequencing [76]; Copyright, Elsevier.

3.4. High-Throughput Analysis of Stem Cells Using Droplet-Based Techniques

The high-throughput analysis of each stem cell in a heterogeneous population can
provide valuable information about their biological systems’ complex behavior during
clinical applications. The confining of single cells inside droplets can enhance the effi-
cacy of laborious, expensive, and low-throughput molecular techniques such as Sanger
sequencing, real-time PCR, blotting techniques, and fluorescent microscopy. Moreover, the
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implementation of droplets in available high-throughput cell analysis techniques—such
as polymerase chain reaction [77], DNA/RNA sequencing [78], enzyme kinetics [79] and
assays [80], protein crystallization [81,82], protein expression quantification [83], protein
quantification mass spectrometry (LC–MS), and GC–MS metabolomics—makes it more
important to be able to analyze single cells. Therefore, the high potency of droplet-based
microfluidic techniques makes them excellent platforms for single-cell analysis and small
samples, such as stem cells, tumors, and micro-biopsies [84]. For instance, Klein et al.
designed a method for barcoding, capturing, and profiling transcriptomes, with quick
collection, low technical noise, and no limitations regarding the number of cells; they
encapsulated single ESCs, which are highly heterogeneous due to their pluripotency inside
droplets, and then performed all of the RNA sequencing steps on an individual basis [85].

The accurate isolation and analysis of distinct cells can provide critical information
on various biological parameters and processes in stem cell research—especially gene-
and cell-based therapies. Conventional methods of cell separation to date—including
fluorescence-activated cell sorting (FACS), magnetic-activated cell sorting (MACS), density
centrifugation, limiting dilution, and immunoaffinity—are not cost-effective, need a large
amount of input sample, have low throughput, and are limited to specific applications [86].
The integration of microfluidic systems producing droplets can improve cell sorting and
analysis via the above techniques. Furthermore, these picoliter-sized droplets provide an
isolated environment for the distinct reactions of many biological and chemical assays.

The expression of both intracellular and extracellular proteins is among the critical
characteristics of stem cells that can be screened or quantified at the single-cell level us-
ing droplets. The proteins of stem cells should be analyzed, because they play a crucial
role in stem cell viability, metabolism, differentiation stages, generation of recombinant
proteins or antibodies by recombinant or hybridoma cells, and finding protein-producer
colonies for immunological and pharmacological purposes. The routine techniques for this
aim—including fluorophore–antibody detection of proteins via flow cytometry, immunohis-
tochemistry, Western blotting, immunocytochemistry, and enzyme-linked immunosorbent
assay (ELISA)—are expensive, time-consuming, and need a large number of cell samples
and reagents; moreover, they cannot enable us to screen rare cell phenotypes that may be
of high importance as colonies of the expensive drug–protein producer, or as specifically
characterized and efficient stem cells or progenitor cells. Microfluidics-based droplets
make the screening and detection of rare cell phenotypes at a single-cell level possible.
The small volumes of liquids inside the cell-laden droplets increase the concentrations of
secreted biomolecules such as monoclonal antibodies to levels that are easily detectable
using diagnostic methods. For instance, Koster et al. designed a droplet-producing mi-
crofluidic system that could detect a low amount of released antibodies secreted from single
hybridoma cells just 6 h after secretion using the kinetic ELISA method [87].

Next-generation sequencing (NGS), by providing the possibility of whole-transcriptome
sequencing at a single-cell level, has emerged as a novel technology in the field of stem
cells; it reveals the heterogeneity of gene expression profiles in cell populations related to
different stages of cellular differentiation or function. Whole-exome sequencing gives us a
wide range of data on gene expression profiles, compared to high-throughput DNA/RNA
arrays that are not whole-genome-wide. Microfluidics has helped scientists to perform
next-generation sequencing at the single-cell level in order to help analyze heterogeneous
cell populations and stem cells. For instance, Streets et al. developed a microfluidic device
to capture and lyse single cells and synthesize cDNA from mRNAs via a next-generation
sequencing platform. Using their device, they prepared 94 libraries from single mouse
ECSs, and improved RNA detection sensitivity made it possible to reconstruct a major-
ity of the bulk transcriptome from 10 single cells with 0.2 M reads per cell. Enhanced
measurement precision and technical throughput helped to distinguish variations in ex-
pression between and within different types of murine embryonic cells [88]. Moreover,
microfluidics-based droplets have provided scientists with numerous achievements in
single-cell analysis. For instance, Klein et al. reported developing a high-throughput
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system that can encapsulate single cells and lysis buffer, reverse-transcription reaction mix,
and hydrogels containing barcoded sequencing primers into droplets. After encapsulation
and lysis of cells, ultraviolet (UV) treatment of droplets releases barcoded primers from
hydrogels for cDNA synthesis. Following linear amplification and breakup of droplets,
next-generation sequencing (NGS) makes specific reads from each cell’s genetic content
regarding sequencing adaptors and unique barcodes on the cDNA. Therefore, Klein et al.
applied this approach to murine ESCs after withdrawal of leukemia inhibitory factor (LIF),
showing the heterogeneous onset of differentiation in this cell population and revealing
gene expression relationships; their method showed acceptable reproducibility of data and
a low noise baseline (Figure 4D) [85].

Zilionis et al. established a droplet microfluidics platform called inDrops for whole
transcriptomics or genomics analysis of more than 15,000 individual cells in one hour, with
minimal reagent use. More than 75% of cells in a sample are encapsulated into nanoliter
aqueous droplets with hydrogel bead cores that bear barcoding primers. Following lysis
in droplets, barcoded cDNA of cells is synthesized from mRNA via barcoding primers
by reverse transcription, and then an RNA-Seq library is prepared. Zilionis et al. have
used inDrops for murine primary immune cells and murine ESCs, and showed that this
is the best method of single-cell transcriptomics for limiting samples consisting of less
than 200,000 cells, such as rare stem cell populations or tumor biopsies [89]. Another
microfluidics-based droplet technique called Drop-Seq, which Macosko et al. implemented
for transcriptome analysis of murine retinal cells, had a lower rate of 2–4% of cells bar-
coded [90]. Applying such a high-throughput genome-wide expression profiling technique
in a single cell enables scientists to precisely search for gene expression variations during
stem cell culture and differentiation.

4. Microfluidics-Based Droplets for Tissue Engineering

Tissue engineering is defined as an interdisciplinary field—a combination of engineer-
ing, nanotechnology, biomaterials, and stem cell science to develop functional tissue-like
structures for the replacement, repair, and rehabilitation of damaged tissues/organs [91].
During the past decade, various scaffolds with different shapes, morphologies, and me-
chanical properties have been developed using different materials for engineering a variety
of tissues, among which cell-laden scaffolds were more successful in mimicking the 3D
environments of desired tissues. These types of scaffolds should be highly biocompati-
ble, with controlled degradability, mechanical stability, uniform size, and suitable mass
transport functions [92].

To date, numerous materials have been applied for encapsulating cells in the cell-
laden scaffold, among which hydrogels were more successful in mimicking the native
microenvironment of human tissues for regulating stem cell proliferation and differentia-
tion, synthesis of ECM proteins, and cell–matrix and cell–cell biochemical and mechanical
interactions. Cell-laden hydrogels are usually produced by incorporating cells in precursor
solution, followed by gelation using bulk- or microfabrication techniques. The encapsula-
tion of cells within macroscopic hydrogels leads to low survival, incomplete cell–cell and
cell–matrix interactions, and poor nutrient exchange because of the low diffusion rate in
the scaffold [93]. One of the difficulties in the macro-scale 3D culture systems is that they
are not suitable for long-term cell culture, because the maximum oxygen diffusion inside
scaffolds is usually limited to 400 μm. On the other hand, the size of scaffolds made by
routine methods is much bigger than this limit, and most of the encapsulated cells lose their
functionality and viability in a short time. The cells encapsulated in microgels with a diam-
eter of 100–400 μm can survive and proliferate safely. The number of cells encapsulated
in the microgel and total cell encapsulation efficiency can be controlled via microfluidic
techniques. In contrast, cell-laden microgels produced via microfabrication methods have a
large surface-area-to-volume ratio, and can improve the efficient mass transfer and different
nano-scale interactions between cells and their surrounding ECM [54]. These microgels can
assemble inside damaged parts after injection and form engineered tissue-like constructs
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with similar morphology and functions to native tissue. The cell-laden microparticles can
be manufactured through numerous techniques, one of which is droplet microfluidics.

Droplets made by microfluidic systems can prepare aqueous microenvironments to en-
capsulate cells and monomers of hydrogel solutions to be polymerized and form cell-laden
microgels. These spherical cell-laden 3D scaffolds mimic the microenvironments needed
for the proliferation and differentiation of stem cells, and generate the desirable mechanical,
chemical, and physiological properties required for supporting damaged organs [94]. These
systems can also encapsulate different types of cells, as well as biomolecules such as growth
hormones, exosomes, biological stimulators, and various nanoparticles [95]. Therefore, the
fabricated microgels can ultimately serve as functional building blocks for injection to the
tissue constructs. In addition to the cell-encapsulating capacity of microfluidic systems,
cells that can be cultured on the surface of the microfluidic microgels have several advan-
tages: First, cells grown on the surface are not restricted, and can proliferate quickly within
a short time. Second, detachment of cells culturing on the microgel surface is relatively
easy without enzymatic operations, via mechanical separation methods or thermally me-
diated degradation. In the following section, we will briefly overview the applications of
microparticles made using droplet technology in bone, cartilage, skin, pancreas, liver, and
cardiovascular tissue engineering.

4.1. Bone Tissue Engineering

The employment of advanced technologies such as tissue engineering and stem cell
therapy for advancing bone regeneration is highly demanding [96]. Despite the vast
progress in bone tissue engineering, researchers and clinicians face serious challenges, such
as low retention and low survival and transplanted stem cells’ metabolic activity in the host
body. Microfluidics-derived droplets can help to prepare acceptable microenvironments
enriched with biological cues of native bone tissue, and enhance the survival, proliferation,
and osteogenic differentiation of stem cells. For instance, Moshaverinia et al. developed
injectable hydrogel microspheres made of RGD (as a biological cue) and alginate for the
encapsulation of periodontal ligament stem cells (PDLSCs) and gingival mesenchymal stem
cells (GMSCs); their results showed that adding RGD to microspheres’ structure improved
the viability and osteogenic differentiation of encapsulated cells and the expression of
osteogenic markers such as RUNX family transcription factor 2 (Runx2), alkaline phos-
phatase (ALP), and osteocalcin in both in vitro and in vitro conditions. These cell-laden
microspheres, which were less than 500 μm in diameter, were half the size of the ones
obtained via bulk methods. This approach improved the transport of nutrients, oxygen,
and waste products through the microspheres, resulting in high cell viability [97].

In addition to implementing biochemical cues in spheres, the rapid generation of
injectable osteogenic tissue constructs is another critical issue in bone stem cell therapy.
Regarding this, Zhao et al. encapsulated bone-marrow-derived mesenchymal stem cells
(BMSCs) and bone morphogenetic protein-2 (BMP-2, as an osteogenic growth factor)
inside photo-crosslinkable gelatin methacryloyl (GelMA) microspheres with a high-speed
production rate using a capillary microfluidic device. Incorporating BMP-2 into GelMA
microgels improved stem cell proliferation, osteogenesis, and mineralization in both in vitro
and in vivo studies. These cell-laden structures supported the spreading of stem cells within
the microspheres and their migration out of the microspheres [98]. In another study, Hou
et al. prepared injectable, degradable poly(vinyl alcohol) (PVA) microgels (100–200 μm in
diameter) loaded with hMSCs and BPM-2 via high-throughput microfluidics-based systems.
The joining of this growth factor to PVA microgels increased ALP activity, calcium content,
and Runx2 expression in encapsulated cells. The mild crosslinking and cell-compatible
conditions enabled the encapsulation of hMSCs with prolonged survival, differentiation,
and migration [99]. Other studies encapsulated single stem cells inside microspheres for
the purpose of osteogenic differentiation. For example, An et al. encapsulated rat MSCs
at a single-cell level inside alginate microspheres. The immune-shielding properties of
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he alginate shell supported bone formation after transplantation to the rat tibial ablation
model (Figure 5A) [100].

4.2. Cartilage Tissue Engineering

The direct injection of stem cells with hydrogels to the damaged articular cartilage
is considered a potential therapeutic method [101]. The hydrogels prepared based on
bulk fabrication methods face encapsulated cells with significant challenges, including
high apoptosis rate, low retention in the host cartilage, and inadequate chondrogenic
differentiation and functionality. A variety of microfabrication methods have been used to
encapsulate cells for cartilage regeneration, among which a limited number are based on
droplets. For instance, Li et al. encapsulated BMSCs inside visible light-cured microgels
composed of gelatin norbornene (GelNB) and polyethylene glycol (PEG), and differentiated
them into chondrocytes in chondroinductive media. The encapsulation process using
droplets increased the chondrogenesis of cells compared to the bulk hydrogel and 2D
culture [102]. In an in vivo study, Feng et al. designed and fabricated injectable cell-laden
microgels to self-assemble in situ inside the injury point and from a 3D porous scaffold
without external stimulation; they encapsulated BMSCs inside these hybrid microspheres
composed of gelatin and hyaluronic acid (HA) microgels via a thiol-Michael addition
reaction. These cell-laden microgels self-assembled into cartilage-like structures via cell–
cell interconnectivity, and supported proliferation and chondrogenic differentiation of
encapsulated BMSCs. Furthermore, the occurrence of vascularization and hypertrophy—
which are both considered huge barriers in cartilage regeneration—decreased significantly
after transplantation (Figure 5B) [103].

In addition to the cell-encapsulating role of droplets, these microstructures can be em-
ployed for the sustained release of biological cues inside the injury point. For instance, the
transforming growth factor beta-3 (TGF-β3)—a cytokine—plays an essential role in increas-
ing the viability and ECM secretion of chondrocytes, and in enhancing the chondrogenic
differentiation of stem cells. In this regard, Qasim et al. loaded poly(L-lactic-co-glycolic
acid) (PLGA) particles with TGF-β3 using a droplet-based microfluidic system, and incor-
porated them into polycaprolactone (PCL) nanofibers using the electrospinning method.
The fabricated microspheres improved the loading efficiency of TGF-β3 by up to 80%.
They found that these microparticles blended with nanofibrous scaffolds promoted the
proliferation and chondrogenic differentiation of hMSCs [104].

4.3. Wound Healing

As the largest organ in terms of surface area in the body, skin protects internal tissues
from various damaging elements, including mechanical injuries, infections, ultraviolet
radiation, and temperature. Severe skin-related injuries endanger the patient’s life and
negatively impact the healthcare economy [105]. Even though various therapeutic methods
for wound healing have been developed in the clinic over the past decade, these approaches
are practical only for moderate injuries. The arrival of advanced skin tissue engineering
methods helps to regenerate damaged parts [106]. For this aim, researchers developed
scaffolds using droplet-based microfabrication techniques for severe skin damage. For in-
stance, Yu et al. fabricated hollow microspheres of bacterial cellulose using a droplet-based
fabrication process, and applied them as wound-healing materials for the regeneration
of significantly damaged skin. To this end, they encapsulated Gluconacetobacter xylinus
bacteria in core–shell microspheres with an alginate core and an agarose shell. The bacteria
inside the core secrete and tangles cellulose in the shell part. The alginate core and bacteria
are removed, and hollow cellulose microspheres remain in the structure. These porous
microspheres showed acceptable mechanical properties that supported the proliferation
and migration of PC-9 cells. Furthermore, in collaboration with human primary epidermal
keratinocytes, these scaffolds enhanced wound healing in male Sprague Dawley rats [107].

The fabrication of hydrogel microparticles permits direct delivery of cells through needles
to the injured tissue for wound healing with the least clinical invasiveness. In this regard, Griffin
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et al. synthesized a new class of injectable microporous annealed-particle gels that enabled
a stable, interconnected network of micropores for cell migration. They prepared complex
three-dimensional networks based on self-assembly of monodisperse microgel building blocks
made using a microfluidic device (Figure 5C). The annealing of these building blocks created an
interconnected microporous scaffold, in which cells could be placed in the interconnected pores.
Furthermore, the building blocks were easily injected into the mice’s bodies, and caused faster
skin regeneration and lower immune response than non-porous scaffolds after one week. The
nature of these droplet-based building blocks allows the combination of an extensive range of
materials, signals, and cell populations [108].

4.4. Pancreas Regeneration

Diabetes mellitus is one of the most prevalent metabolic diseases all over the world.
The in vitro culture and transplantation of pancreatic islets is considered an effective
therapeutic method to aid patients with type I diabetes. Droplet-based encapsulation
methods can increase the safety of the encapsulation process, control the size of scaffolds,
permit long-term culture periods, and prepare immunological protection of these pancreatic
islets in the engineering of pancreatic tissue [109].

Fabrication of core–shell scaffold structures using microfluidics-derived droplets can
provide islet cells with more immunoprotection after injection into the host. For instance,
Ma et al. encapsulated rat pancreatic islets with high viability in alginate core–shell
microcapsules and injected them into the type I diabetic mouse model. The transplantation
of cell-laden core–shell structures decreased blood glucose to the normal range without
stimulating the immune system [110]. In another study, Headen et al. encapsulated human
pancreatic islets in scaffolds made of maleimide-functionalized PEG (PEG-4MAL) via a
flow-focusing microfluidic system. The encapsulated cells inside scaffolds showed viability
of 90% after eight days of culture (Figure 5D). On the other hand, capsules showed a
selective permeability to biomolecules such as glucose, insulin, and antibodies [111]. The
presence of oils and surfactants in droplet fabrication procedures can endanger the viability
and functionality of encapsulated cells. In this regard, Lue et al. encapsulated rat pancreatic
islets (β-TC6) inside calcium alginate hydrogels using a water-in-water system; they used a
pneumatic valve combined with a crossflow microfluidic device to assist in the production
of droplets and improve controllability. The encapsulated cells responded to the stimulation
of glucose during cultivation for seven days [112].

4.5. Liver Regeneration

More than half a billion people are suffering from various liver diseases world-
wide [113]. Liver transplantation is still the only therapeutic method for severe hepatic
disorders, and patients face a severe shortage of donors and a long waiting list. Thus,
regenerative-medicine-based methods are in high demand in the field of liver regenera-
tion [114]. The morphology of hepatic cells, their cell–cell and cell–scaffold interactions,
and the capability of spheroid formation, albumin secretion, and urea synthesis are the
main challenges in liver regeneration, and are highly dependent on the microenvironment
in which the cells are encapsulated.

The hepatic spheroid-laden hydrogels are of great interest in liver regeneration. One
of the greatest limitations of the conventional microencapsulation method is that a constant
number of spheroids cannot be encapsulated and produced per microgel. Chan et al.
encapsulated hepatocyte spheroids inside alginate microgels using a droplet-based system.
The gelation time of hydrogel permitted hepatocytes to improve their assembly within
the liquid core. Additionally, their study showed that the co-culturing of hepatocytes
with endothelial progenitor cells (5:1) improved the hepatic functionality, differentiation,
angiogenesis, and long-term performance of cells (Figure 5E) [115].

The cell-laden spheres simulate the niche of hepatic cells, and also protect them
against the immune system. In this regard, Wang et al. fabricated core–shell cell-laden
microgels made of methylcellulose and GelMA. The device incorporated HepG2 cells with

259



Biosensors 2022, 12, 20

and without HUVECs through a methylcellulose core. This core was encapsulated in a
GelMA shell, and microgels were cultured for a two-week in vitro study. The presence of
HUVECs enhanced the functionality of hepatocytes, which can be related to homotypic
and heterotypic cell–cell interactions in such microenvironments [116].

4.6. Cardiovascular Regeneration

Heart engineering using various scaffolds has been investigated as an alternative
for managing cardiovascular diseases in the future [117]. Droplet-based encapsulation
of cells can provide controllable biocompatible microenvironments to fabricate scaffolds
with desirable mechanical properties for cardiovascular tissue engineering. For instance,
Gal et al. encapsulated cardiac cells in personalized spherical hydrogels made of human
acellular omentum and transplanted them to murine muscle. After transplantation, the
encapsulated cells were spread at the injection site, exhibiting striation of actinin and
connexin-43 (Figure 5F) [118]. Droplets can also serve as a temporary shield for preserving
cells during severe processes such as electrospinning. Weidenbacher et al. fabricated
droplets to temporarily protect murine myoblast cells via their encapsulation in gelatin
microspheres for the electrospinning process. These microcapsules were electrosprayed
onto the surface of nanofibrous polyvinylidene fluoride-co-hexafluoropropylene sheets
to make a hybrid scaffold. The encapsulated cells were protected from the toxicity of
dimethylformamide during electrospinning [119].

A variety of native biomolecules can be used to enhance cellular attachments. For
instance, RGD is an integrin-binding peptide found as an adhesion motif in many ECM
proteins—including fibronectin, fibrinogen, and von Willebrand factor (VWF)—commonly
used to increase cellular regeneration [120]. Therefore, controlled functionalization of
cell-encapsulated microparticles with adhesive peptides using cytocompatible crosslinking
agents affords an environment capable of long-term cell viability. Such a microenvironment
may be practical for either cell encapsulation or directing stem cell behavior and fate. In
another study by Cha et al., a microfluidic flow-focusing device was utilized to fabricate
GelMA microgels by photo-crosslinking UV light as a highly promising injectable tissue
construct. The variable ratios of flow rates of aqueous and oil phases could control the
droplet size. Then, the cardiac population cells were cultured on the GelMA microgel’s
surface. The adhered cells on the microgel surface proliferated over time, while maintaining
high viability (∼90%) and migrating to their cell-conductive surrounding areas. Further-
more, a thin biocompatible and biodegradable silica hydrogel was coated on the cell-seeded
microgels’ surface via the sol−gel method, as a protective shell against peroxide-induced
oxidative stress during and after implantation in host tissues. The silica hydrogel shell
degraded over time, without affecting cellular activities [121].

The endothelial tissue plays a crucial role in regulating homeostasis in the cardiovascu-
lar system. The monolayer of endothelial cells is a kind of biological barrier between blood
and tissues; this tissue regulates different immunohematology processes in the body, includ-
ing secretion of vasomotor and growth factors, and starting mechanisms of inflammation
and clotting in vascular injuries [122]. This semi-permeable barrier dynamically regulates
the transportation of different elements between blood and the underlying tissue. For
measuring endothelial cells’ functions in a microenvironment close to in vivo conditions,
Crampton et al. generated collagen microparticles using a microfluidics-based droplet
system and coated the surfaces with endothelial cells. They found that endothelial cells
on the surface of microspheres showed typical morphology and produced tight junction
proteins; their results also revealed that these cell layers had a permeability similar to that
observed in vivo, and were responsive to modulators of endothelial permeability such as
tumor necrosis factor-alpha (TNF-α) and TGF-β [123].
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Figure 5. Microfluidics-based droplets for the fabrication of microgels in tissue engineering applica-
tions: (A) Left: Confocal microscopic images showing MSCs encapsulated in RGD-alginate microgels
cultured in vitro for bone regeneration. Due to alginate microgels’ stiffness, cells remained spherical
even though they proliferated within the matrix. Middle: The confocal microscopic images of MSCs
stained by SYTO 9 nuclei staining of the microgels. Right: 2D and 3D reconstructed micro-CT images
of a tibia’s medullary cavity after two weeks of in vivo transplantation [100]; Copyright, Elsevier.
(B) Left: In vitro biological characterization of self-assembled BMSC-laden gelatin–hyaluronic acid
microgels after 14 days. The gelatin–hyaluronic acid microgels were divided into core and shell
parts with length ratios of 7:3. (DAPI-stained cell nuclei). Right: BMSC-laden microgels were hy-
podermically implanted into the right of the nude mouse, and pure BMSCs were hypodermically
implanted into the left of the nude mouse as a control [103]; Copyright, Wiley Online Library. (C)
Accelerated wound healing by fabrication of injectable microporous gel scaffolds assembled from
annealed building blocks [108]; Copyright, Nature. (D) Microfluidics-based PEG-4MAL microgels
retain the viability and function of encapsulated human islets after microencapsulation [111]; Copy-
right, Wiley Online Library. (E) Microfluidics-based production of microencapsulated functional
hepatocyte spheroids with different cell portions [115]; Copyright, Wiley Online Library. (F) The
morphology and contractility of the encapsulated cardiac cells. Left: Immunostaining of α-sarcomeric
actinin (red), connexin-43 (green), and nuclei (blue). Immunostaining of collagen (red), troponin
T (green), and nuclei (blue). Middle: In vitro migration and function of encapsulated cardiac cells.
Right: Calcium imaging between two adjacent droplets [118]; Copyright, Wiley Online Library.
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5. Microfluidics-Based Droplets for Assisted Reproductive Technology

Infertility is an ever-increasing public health concern worldwide, leading to the con-
cern that more than 70 million couples worldwide have experienced infertility issues at
least once in their life [124]. A variety of therapeutic methods have been developed to
assist patients in the clinic. For instance, the development of mammalian reproductive
technologies—most notably ART—has been one of the most outstanding achievements
in the treatment of infertility [125]. ART and its different subcategories—including ovula-
tion induction, intrauterine insemination (IUI), and in vitro fertilization (IVF)—provide an
extraordinary chance for infertile couples to have offspring. Combining ART with stem
cell therapy and tissue engineering approaches—such as scaffold fabrication techniques,
cell encapsulation, 3D culture microenvironments, and microfluidics—could lead to the
development of artificial reproductive organs, stem-cell-derived gametes, or even human
cloning [125–127].

Microfluidic platforms based on single-phase continuous flow have been successfully
used in various ART fields, including infertility diagnosis, sperm selection, sperm guidance,
oocyte analysis, insemination, embryo culture, embryo selection, and cryopreservation.
Recent research interest has been shifted toward microfluidics-based droplets, since they
can offer well-controlled environments for the encapsulation of cells and other elements
necessary for ART operations inside micro-scale droplets [128]. The fabrication and han-
dling techniques of droplet-based ART systems can be divided into emulsion-based droplet
microfluidics and digital microfluidics.

In emulsion-based droplet microfluidics, the droplet can automatically be formed
by the interaction of two immiscible fluids, automatically generating individual micro-
bioreactors from the cell suspension. For ART applications, this microfluidics category
is very similar to what embryologists perform in clinical IVF, such as encapsulating the
gamete in a microdroplet covered with an oil overlay. These droplets can also act as
platforms for culturing embryos in the early stages. For instance, Agarwal et al. devised
a core–shell encapsulation technique for 3D culture of embryonic cells) [70]. Moreover,
this technique has been implemented for in vitro culturing of ESCs and ovarian preantral
follicles with alginate and type I collagen as shell and core structures, respectively [129].
Moreover, the micro-segmented flow systems can be used for gamete encapsulation and
culture. The most relevant work in this field was reported by Funfak et al., who used the
microfluid segment technique to encapsulate the eggs of zebrafish until hatching time in
a polytetrafluoroethylene (PTFE) tube, with perfluoromethyldecalin (PP9) as the carrier
liquid [130].

Digital microfluidics is another promising field for precisely generating and manipu-
lating droplets by implementing noncontact forces such as electricity, magnetism, or heat
for ART and IVF applications, such as gamete manipulation and embryo culture. In this
regard, two standard digital microfluidics techniques have been used in the literature:
electrowetting on dielectric (EWOD), and liquid marbles (LMs). EWOD is a facile method
to manipulate discretized droplets on a solid surface in a programmable manner, using
electrodes made of a conductor such as indium tin oxide (ITO). In a recent study, murine
embryos were encapsulated in a culture medium (3.5 μL) as a core and an oil droplet (1.5
μL) as a shell at the bottom of an EWOD plate. The EWOD technique can also be used for
slow-freezing cryopreservation (SFC) and vitrification of cells, tissues, and embryos. For
instance, Park et al. showed that EWOD digital microfluidics could be successfully used to
select the optimal mixture of cryoprotective agents for efficient SFC [131].

Liquid marbles can also be regarded as another emerging digital microfluidics tech-
nique for the straightforward and facile manipulation of water droplets on solid sur-
faces [132]. A liquid marble can be directly prepared by rolling water droplets on hy-
drophobic materials such as PTFE or lycopodium and manipulating them with various
external forces [133]. Furthermore, they can be used as bioreactors for 3D spheroid forma-
tion. For instance, Sarvi et al. demonstrated the feasibility of forming uniform EBs from
Oct4B2-ESCs within a three-day culture inside liquid marbles; they also showed that these
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microenvironments could facilitate the differentiation of embryo bodies into cardiomy-
ocytes. Furthermore, these droplets can be implemented as an efficient micro-bioreactor for
in vitro oocyte maturation in ART [134].

6. Microfluidics-Based Droplets for Gene Therapy/Delivery

Gene therapy/delivery is considered one of the most promising methods in advanced
regenerative medicine [135]. Mutated or missing genes result in the expression of dysfunc-
tional or abnormal intra- and extracellular proteins that eventually lead to many diseases.
As a valuable method, gene therapy was developed to correct genetic disorders by inserting
genetic materials into cells. The exogenous genetic materials must be delivered across
the cell membrane without any influences on the ability of cells to integrate successfully
into the innate cell genome [136]. Regarding the continuous lipid bilayer structure of
the spherical cell membrane, the transfer of foreign genetic materials through the plasma
membrane is a stumbling block in gene therapy. Several physical techniques—such as
sonoporation and electroporation—create temporary pores in the cell membrane using
ultrasound and electric pulses. Although electroporation is the most popular method of
intracellular delivery, the efficiency of sonoporation systems increases when attached to
microbubbles. Concerning the downsides of conventional gene transfection systems—such
as low transfection efficiency, intricate procedure, and low cell viability—the advent of
microfluidics has opened up new avenues for gene delivery [21].

Gene delivery through microfluidic systems is subject to high precision and outstand-
ing control that can finally cause the efficient generation of various vectors and other
components used in gene therapy. Several genes in bulk solution have been explored by
implementing a microfluidic environment combined conventionally with an electric pulse,
optical energy, and hydrodynamic force. Moreover, most microfluidics-based electropora-
tion systems require much lower voltages for gene transport, resulting in higher efficiency
and cell viability than traditional electroporation methods [137]. Several microfluidic ge-
ometries, diverse materials, electrodes, and microfluidic channels have been reported to
increase the insertion of gene materials into cells via electroporation. However, further
development for increased efficiency is required.

Recently, new methods with a combination of microfluidics-derived droplets and
conventional gene transfection techniques have emerged, with the ability to enhance the
accuracy of transportation of exogenous genetic factors at a single-cell level [138]. For
instance, using these methods, Zhan et al. delivered an enhanced green fluorescent protein
(EGFP) plasmid vector into Chinese hamster ovary (CHO) cells; they encapsulated CHO
and EGFP plasmids inside droplets, which then passed through a pair of microelectrodes
with a constant voltage. The electroporated cells’ GFP expression proved high-throughput
insertion of functional genetic materials based on droplet microfluidics (Figure 6A) [139]. In
another study, nanocomplexes were synthesized using microfluidics-assisted confinement
(MAC) for non-viral vector delivery of genes. A complicated microfluidics-based droplet
generator was applied to introduce various materials—such as cationic gene carriers,
plasmid DNA, buffers, and oils—into each channel to generate monodisperse droplets.
To form DNA nanocomplexes, the pDNA and polycation solutions were confined to
discrete droplets and successfully self-assembled electrostatically (Figure 6B) [140]. Upon
incubation with human embryonic kidney cells (HEK293), these homogeneous MAC-
generated nanocomplexes exhibited lower cytotoxicity and higher transfection efficiency
than their bulk-synthesized counterparts. To further explore the merits of the MAC system
for non-viral gene transfer, another experiment in 2013 revealed that the emulsion-based
droplets’ microfluidic environment offers greater control of the preparation of polyplexes to
generate more constant potential gene delivery systems (Figure 6C) [141]. By operating such
a system, both plasmid DNA and messenger RNA payloads are consistently delivered into
primary cells, stem cells, and human cell lines. The cellular unpacking of polymer–DNA
nanocomplexes quantified by a flow cytometric quantum dot Förster resonance energy
transfer (QD-FRET) nanosensor system demonstrated that transfection was significantly
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enhanced in a broad series of cell types in terms of both uncultured transgene expression
and the number of cells transfected. Yang et al. also demonstrated that polymer-based
nanoparticles using the dielectrophoresis (DEP) effect could be generated inside droplets
within a roughly nanoliter-scale volume. They used a sort of nanomaterial for tumor-
targeted gene therapy—PEI600-CyD-FA (H1)—and then mixed it with DNA plasmids
to produce polyplex products that can be self-assembled. These nano-scale polymer-
based particles were examined in HUVECs, and the results demonstrated that the gene
transfection efficiency increased fourfold compared to the control group [142].

The picoliter microfluidic reactor and incubator (PMRI) system is the other droplet-
based gene transfection method that can control the cationic lipid and DNA complex
(CL-DNA) by tuning of the mixture incubation time and the order and rate of mixing
of vectors. Hsieh et al. used human osteosarcoma U2OS cells (ATCC) with the pEGFP-
C1 DNA vector to characterize the transfection efficiency of the prepared CL-DNA via
the PMRI technique (Figure 6D); their results demonstrate that PMRI consistently mixes
cationic lipids and DNA simultaneously to create a narrower lipoplex scattering. The latter,
however, makes it essential to recognize the optimal lipoplex size for extreme transfection
efficiency [143]. Droplet-based microfluidics may also provide a platform for viral vector
delivery. In a study reported by Madrigal et al., alginate and LentiVector were incorporated
into microfluidic technology to create LentiVector-loaded microgels using different gelation
methods. Comparisons of three alginate gelation strategies revealed that internal gelation
with CaCO3/D-glucono-δ-lactone (GDL) and external gelation with CaCl2 are suitable for
creating LentiVector-compatible microgels. In contrast, alginate gelation with chelated
calcium confirmed low utility for gene delivery due to a loss of LentiVector function
under acidic gelation conditions (Figure 6E). These results demonstrate alginate microgels’
capacity to successfully encapsulate and release functional LentiVector for gene delivery
in vitro [144].

In conclusion, microfluidics-assisted gene transfection systems have achieved higher
transfection efficiency and cell viability than conventional gene transfection processes. The
microfluidics-based droplet environment allows for better spatiotemporal control over
the environment. The strength and duration of the transfection stimulus eliminate the
randomness of traditional transfection methods in the target cells. A further improvement
would cause applied droplet-based microfluidics technology for long-term single-cell
culturing, homogenous transfection, and single-cell sorting to replace the complicated
operation procedures involved in gene transfection in conventional benchtop systems.
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Figure 6. Microfluidics-based droplets for gene therapy/delivery: (A) Design of a microfluidic device
for electroporation. Cell- and DNA-containing droplets rapidly flow through the two microelectrodes
on the substrate and droplets with encapsulated cells after electroporation at the device’s exit [139];
Copyright 2009, Wiley Online Library. (B) Design of microfluidics-assisted self-assembly for fabricat-
ing picoliter-sized droplets. The plasmid DNA, buffer, cationic gene carrier, and oil are introduced
into each channel to generate monodisperse water-in-oil droplets (scale bar: 200 μm) [140]; Copyright,
American Chemical Society. (C) Design of a microfluidic chip for non-viral transport of genes, as
well as the cellular internalization and intracellular unpacking of genes. The microfluidic system
uses crossflow geometry to produce emulsified aqueous droplets containing the polymeric gene
carrier and nucleic acids [141]; Copyright, Nature. (D) Design of the picoliter microfluidic reactor and
incubator system for controlled formulation of non-viral vectors (CL-DNA) [143]; Copyright 2009,
The Royal Society of Chemistry. (E) Representative phase-contrast photomicrographs of alginate
microgels fabricated using three different gelation techniques [144]; Copyright, The Royal Society
of Chemistry.
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7. Conclusions and Perspectives

The translation of regenerative medicine to clinical practice is highly dependent on
advanced technologies, manufacturing methods, clinical trial success, and commercial
support. Microfluidics-based droplets are a promising technology that enables the simulta-
neous encapsulation of various stem cells, biological agents, drugs, and nanoparticles inside
specifically designed droplets for advancing integrated aspects of regenerative medicine.
This review article evaluated the state-of-the-art microfluidics-based strategies for encap-
sulating stem cells inside droplets for stem cell therapy, tissue engineering, reproductive
biology, and gene therapy (Table 1).

In droplet-based stem cell therapy, preserving the viability of stem cells during the
manufacturing process is a challenge that can be addressed by implementing nontoxic
biomaterials, increasing automation, and reducing manufacturing time. The challenges in
stem-cell-based therapy—such as the risk of tumorigenicity and immunogenicity—have
not been widely investigated enough (during in vivo and clinical trial studies) for droplets
carrying stem cells, spheroids, and organoids. Furthermore, there are no established
standards or procedures for droplet-based stem cell therapy. Recent studies show that the
regeneration caused by stem cells is mainly caused by secretome proteins, exosomes, and
EVs generated by transplanted stem cells [145]. This knowledge can be implemented to
generate secretome-enriched droplets or droplet-derived microgels for cell-free regenerative
medicine, thus reducing the possible side effects caused by the transplantation of stem cells.

The human body’s tissues, organs, and systems are developed based on a complicated
innate bottom-up organization [146]. It is essential to mimic the target tissue’s conditions
and build repair-tissue-like building blocks in the same manner in order to regenerate
the tissues. Despite the several reports and advances in this area, the scaffolds and mi-
crogels made by droplets still cannot mimic many aspects of tissues, such as transport of
fluids, transport of electrophysiological signals, angiogenesis, and neovascularization. The
available polymer options are limited to some hydrogels for safely encapsulating stem
cells via this approach, and need to be expanded and evaluated in future studies [76].
Moreover, scaffolds’ mechanical strength plays an essential role in tissue engineering, while
the natural hydrogels used in reported microgels have weak mechanical properties that are
not desirable for hard tissues [92]. The possible adverse effects of crosslinkers, oils, and
mechanical forces during the encapsulation process and injection should be investigated
during long-term in vitro and in vivo studies. In addition to the fact that the retention
of the cells in the tissue is a critical challenge, the retention of cell-laden microgels and
their integration and unification with the damaged tissue after injection is also essential,
and can be addressed using surface modification methods of microgels for self-assembly
purposes [140]. The number of in vitro and in vivo studies implementing droplet-derived
microgels for tissue engineering is considerably fewer than those using conventional scaf-
folds. In reproductive biology, the automation of droplet-based systems and improvement
of digital microfluidic systems with programmable hardware is essential for removing
the human errors during complicated droplet formation and manipulation procedures,
gamete isolation, manipulation, culture, fertilization, and embryo culture [131]. The high
sensitivity, accuracy, and control in delivering specific genes to the individual target cells
inside droplets using advanced operations and instruments are still highly expensive, and
the cost needs to be reduced for commercialization purposes. The studies related to these
fields should also be expanded to in vivo and clinical trials.

Here, the applications of microfluidics-based droplets in the fields of stem cell thera-
pies, tissue engineering, reproductive biology, and gene therapy have been reviewed and
discussed. Despite the considerable achievements in droplet-based regenerative medicine,
the field is expected to develop significantly in the future, removing the gaps between
lab and clinic in each area. In the first step, for exploiting these droplets or their products
in clinical procedures, significant issues should be considered, including automation and
medical costs, preparing hygienic conditions, clean rooms, advanced manufacturing in-
struments, and Food and Drug Administration (FDA)-approved materials, and following
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regulatory necessities and ethical issues. Soon, droplets will be able to revive the dream of
preparing off-the-shelf products for curing patients with mild or severe dysfunctionalities.

Table 1. Applications of droplet-based microfluidics for stem cell therapy, tissue engineering, assisted
reproductive biology, and gene therapy.

Field Application Generation Technique Droplet Size
Morphology/

Materials
Cell Type Ref

Stem Cell
Therapy

Stem cell
culture

Flow-focusing;
two-layer parallel system 64–65μm Microspheres MSCs [57]

Air-driven droplet generator 400–500 μm Alginate microcapsules hESCs [63]

Spheroid
culture

Flow-focusing 65–90 μm
150–210 μm Alginate and alginate/RGD hMSCs; spheroids [69]

Flow-focusing 190–260 μm Alginate microcapsules Ambryonic bodies [70]

Flow-focusing:
- Negative pressure-driven

- Micropipette-based
290 μm Droplets

HEK293;
RT4 cells;

A-431 cells
[71]

Flow-focusing - Droplets Primary rat
hepatocytes [72]

Organoid
culture

Flow-focusing 169 ± 6 μm Alginate capsules Hepatocytes
fibroblasts [73]

Airflow-assisted 3D
bioprinting;

flow-focusing
-

Spiral alginate:
- Spherical
- Rose-like

- Tai-chi-like

HUVECs;
hMSCs [74]

High-
throughput

analysis

Flow-focusing - Droplets for RNA sequencing ESCs [85]

Flow-focusing 10–150 μm Droplets for ELISA Hybridoma cells [87]

Tissue
Engineering

Bone

Flow-focusing 427 μm RGD;
alginate PDLSCs; GMSCs [97]

Capillary-based 90–230 μm BMP-2;
GelMA BMSCs [98]

Flow-focusing 100–200 μm BMP-2;
PVA hMSCs [99]

Flow-focusing 61.2–50 μm Alginate Single MSCs [100]

Cartilage

Capillary-based 320 ± 9 μm
574 ± 9 μm

Gelatine norbornene;
PEG BMSCs [102]

T-junction with Y-shaped
inlets - Gelatine; hyaluronic acid BMSCs [103]

Flow-focusing 10–30 μm TGF-β3/PLGA droplets for
PCL fibres hMSCs [104]

Wound
Flow-focusing 20, 40, 50 μm Alginate core,

cellulose shell

Gluconacetobacter
xylinus

PC-9 cells
[107]

Flow-focusing 30–150 μm 4-arm PEG
vinyl

HDF;
hMSCs [108]

Pancreas
Coaxial electrojetting 500 μm Core–shell

alginate Pancreatic islets [110]

Flow-focusing 300–800 μm PEG-4MAL Human pancreatic islets [111]

Eight flow-focusing orifices 90.4 ± 3.0 μm Alginate β-TC6 [112]

Liver
Flow-focusing ≈200 μm Alginate Hepatocytes;

endothelial cells [115]

Flow-focusing 289.7 ± 8.3 μm Methylcellulose
GelMA

HepG2;
HUVECs [116]

Cardiac
/vascular

Flow-focusing 100–200 μm Acellular omentum iPSCs-derived cardiac
cells [118]

Flow-focusing 40–140 μm Gelatine Murine myoblast cells [119]

Flow-focusing 35–150 μm GelMA;
silica hydrogel Cardiac cells [121]

Flow-focusing 300 μm Collagen Endothelial cells [123]
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Table 1. Cont.

Field Application Generation Technique Droplet Size
Morphology/

Materials
Cell Type Ref

Assisted Reproductive Technology

Flow-focusing 380 μm
285 μm

Core–shell
collagen

alginate microcapsules

Ovarian preantral
follicles;

ESCs
[129]

- 1.2 mm PP9 Zebrafish eggs [130]

Electrowetting on dielectric
(EWOD) - f DMSO-PBS mixture MCF-7 [134]

Gene Therapy/
Delivery

Electroporation T-junction 92 μm EGFP plasmid vector
droplets

Chinese hamster ovary
cells [139]

Microfluidics-
assisted

confinement
Crossflow 0.5–1 μm Plasmid DNA

droplets - [140]

Gene transfer Crossflow -
Plasmid DNA

and messenger RNA
droplets

Primary cells;
stem cells;

human cell lines
[141]

Gene delivery T-junction -

PEI600-CyD-FA (H1)
DNA plasmids;

polyplexes;
droplets

HUVECs [142]

Gene
transfection Flow-focusing 39 μm pEGFP-C1 DNA vector Human U2OS cells [143]

Viral gene
transfection Flow-focusing 100–130 μm

Alginate;
gelation;

LentiVector
HEK-293T [144]

CRISPR/Cas9
transfection Flow-focusing 80–87 μm hiPSCs [138]
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Abstract: The magnetic manipulation of droplets is one of the emerging magnetofluidic technologies
that integrate multiple disciplines, such as electromagnetics, fluid mechanics and so on. The directly
driven droplets are mainly composed of ferrofluid or liquid metal. This kind of magnetically induced
droplet manipulation provides a remote, wireless and programmable approach beneficial for research
and engineering applications, such as drug synthesis, biochemistry, sample preparation in life sciences,
biomedicine, tissue engineering, etc. Based on the significant growth in the study of magneto droplet
handling achieved over the past decades, further and more profound explorations in this field gained
impetus, raising concentrations on the construction of a comprehensive working mechanism and
the commercialization of this technology. Current challenges faced are not limited to the design
and fabrication of the magnetic field, the material, the acquisition of precise and stable droplet
performance, other constraints in processing speed and so on. The rotational devices or systems
could give rise to additional issues on bulky appearance, high cost, low reliability, etc. Various
magnetically introduced droplet behaviors, such as deformation, displacement, rotation, levitation,
splitting and fusion, are mainly introduced in this work, involving the basic theory, functions and
working principles.

Keywords: microfluidics; magnetic field; magnetization; liquid actuation; droplet manipulation

1. Introduction

In recent years, the manipulation of droplets and cells [1–3] has attracted much atten-
tion in biomedicine, chemistry and hydromechanics, especially microdroplets. The volume
of microdroplets is usually on the microliter scale, which is low in production cost and mi-
nor in consumption. With high yield and purity ensured by the closed environment, which
is almost free from external pollution, microdroplets become a preferable chemical reaction
container [4,5], which promotes their wide application in synthesis [6], detection, delivery
and packaging of various reagents, drugs and particles [7–9], culture, transportation, isola-
tion and dissolution of cells and seeds [10], separation of plasma [11], etc. Microdroplets
are typically mass generated and manipulated in microfluidic devices. The development
of microelectromechanical systems (MEMS) technology enables the production of more
powerful microfluidic devices, making the operation of microfluidic processes flexible.
Meanwhile, with the development of computational fluid dynamics (CFD), the study of
microdroplets is facilitated with numerical methods that contribute to robustness in high
efficiency, low cost, underlying mechanism and so on.

Until now, microfluidic technology has been developed for a variety of droplet control
methods coupled with light, sound, heat, electric field, magnetic field, pneumatics and
mechanical devices to transport, sort, split, merge and deform droplets [12]. Among all
the developed microfluidic strategies, the magnetic method is a prospering research area,
which is very popular due to its remarkable advantages in remote and instant control of
droplets. In addition, precise and localized manipulation of droplets is ensured by the
programmable magnetic field distribution and thus the exerted force by adjusting the
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current of the electromagnetic coil or the position of the permanent magnet. Overall, the
performance of the magnetic droplet manipulation is influenced by numerous factors,
including liquid properties, surrounding medium, the interfacial characteristics between
the immiscible fluids, the wetting behavior, the structure of the device, the configuration
and tuning of the magnetic field and so on.

Various operations of droplets have been performed under a magnetic field, such as fer-
rofluid droplet stretching [13–17], deflecting [18,19], sorting [20,21], merging [14,22–25] and
splitting [26–29], as well as the application in mixing chemical reagents [30], capsule syn-
thesis [31], microlens [32], etc. Based on droplet manipulation, functional group-modified
magnetic nanoparticles (MNPs) [33] dispersed in the carrier fluid are used for oil contami-
nation separation [34], oil and gas processing [35], chemical extraction [36] and detection
and extraction of heavy metal ions [37] under the magnetic field. With the development of
magnetic manipulation of droplets and nanoparticles in molecular biology, MNPs further
fulfilled the manipulation of the attached biological macromolecules, such as DNA [38,39],
RNA [40,41], antibodies, proteins [42], enzymes [43,44] and even viruses [45]. Ferrofluid
and the constituted MNPs are also widely used in drug delivery [46] and release [47],
immunoassay [48], targeted therapy [49], biosensor [50], magnetic actuator [51–53], me-
chanical seal [54] and so on.

Ferrofluid is the most commonly used magnetic fluid, which is a colloidal dispersion
synthesized by the suspension of MNPs (normally around 10 nanometers in diameter) in a
carrier liquid [55], which exhibits the fluidity of liquid materials and the magnetic proper-
ties of solid materials. Thanks to paramagnetism, MNPs can be magnetically manipulated
because of their large surface area and volume ratio. The precipitation and aggregation of
MNPs are effectively prohibited by the thermal Brownian motion and surfactant ingredi-
ent in ferrofluid. Upon applying a magnetic field, ferrofluid is affected by the magnetic
force exerted on individual MNPs and volumetric magnetic force determined by the field
flux density, gradient, liquid susceptibility, droplet volume and so on. The approximated
volumetric magnetic force is proposed for the relatively small volume of the manipulated
droplets [56]. The magnetization is governed by the Langevin function in terms of magnetic
susceptibility, which varies with the magnetic field [57]. Furthermore, the magnetic force
on each particle is derived and presented for MNPs with shapes in regular spheres [58,59].
In addition, energy analysis in the magnetic material reveals the heat exchange or electro-
magnetic radiation in terms of the magnetic field characteristics, the magnetic susceptibility
and the liquid volume [60]. With the magnetic material immersed in an instantly enhanced
or weakened magnetic field, there will be generation or loss of heat applicable for cryogenic
techniques exploring or temperature adjusting in ferrofluid. In numerical calculation, the
interface of multiphase flow can be tracked by means of volume fraction method (VOF) [61],
level set method (LSM) [62], phase field method (PFM), dynamic mesh method (DMM), etc.
In microgravity, the force balance of the ferrofluid droplet is identified by magnetic force,
resistance [63] and interfacial tension [64].

To sum up, magnetic tuning of liquid droplets in microscale provides a reliable ap-
proach for sample handling in numerous scientific pursuits. This work aims to provide a
selected review of the progress of droplet manipulation in an external magnetic field. The
accomplishment in this field is mainly summarized and categorized based on different
basic processes discussed in the following sections, together with typical achievements and
examples of their applications.

2. Droplet Manipulation in a Magnetic Field

There are many ways to control microdroplets, including optical [65], thermal [66],
acoustic [67], electric [68], magnetic methods [69], etc. Among them, the magnetic approach
has the advantages of remote control without sensitivity to pH and dielectric properties of
the liquid medium. The high-throughput handling of droplets was achieved together with
the extraction of magnetic materials due to the adsorption and magnetic actuation function
of MNPs in ferrofluid [70,71]. The magnetic force on MNPs or ferrofluid droplets varies
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with the magnitude and direction of magnetic intensity. The regulation of magnetic control
facilitates droplet processes, including generation, deformation, motion, transport, fusion
and splitting, sorting and so on. Electromagnet needles [72] and permanent magnets [73] are
both capable of manipulating magnetic droplet transport, fusion and dispersing. Moreover,
Park et al. [74] flexibly used a permanent magnet to transport and merge magnetic droplets
in a 3-dimensional space. With the development of MEMS technology, complex electronic
components were integrated on microfluidic chips for droplet programming [75]. The
magnetically induced manipulation is thus presented in this work according to the droplet
process with analysis on liquid properties, channels and field configurations, etc.

2.1. Droplet Generation

Droplet generation is a prerequisite for microfluidic manipulation. Preferred due to
high reliability and low cost, passive methods are widely explored for operating purely
based on the channel configurations and liquid properties, while active methods are devel-
oped taking advantage of an external force field to overcome the issues of low efficiency
and throughput. The active approach is implemented with microfluidic devices commonly
coupled with magnetic fields, lasers, electric fields and ultrasonic waves to realize and
regulate the generation of droplets [76] directly applicable in inkjet printing, metal 3D
printing, capsule synthesis, etc.

In magnetofluidic droplet generation, a magnetic field raised by electromagnetic
coils or permanent magnets is applied mainly to control the droplet generation rate, size
and shape. The generation process, as well as the resulting droplet frequency, size and
interval, are governed by the continuity equation and the Navier–Stokes equation with the
volumetric force, including inertial, viscous, interfacial, gravitational and externally applied
magnetic force [77]. For a physical understanding, the significance of the forces is usually
analyzed by the nondimensionalized number [78]. In Table 1, the most commonly adopted
dimensionless number is illustrated by Reynolds, Capillary, Weber, Bond and Magnetic
Bond numbers, specifically for magnetic droplet generation. From the definition of the
number, Re, Ca, We and Bo are calculated in terms of average fluid velocity (u), density (ρ),
characteristic dimension (R, radius or contact radius), dynamic viscosity of the liquid (μ),
gravity acceleration (g), interfacial tension (σ) and the volume mass difference between the
continuous and dispersed phase (Δρ). For the magnetic approach, Bm is determined by the
permeability of the vacuum (μ0 = 4π × 10−7NA−2), susceptibility of the magnetic fluid
(χ), volume of the droplet (V) and the applied magnetic field intensity (H0).

Table 1. Dimensionless number in magnetic droplet generation.

Dimensionless Number Formula and Physical Description

Reynolds number Re =
ρuR

μ =
Inertial f orce
Viscous f orce

Capillary number Ca =
μu
σ =

Viscous f orce
Inter f acial tension

Weber number We = ρu2R
σ =

Inertial f orce
Inter f acial tension

Bond number Bo =
ΔρgR2

σ =
Gravitional f orce

Inter f acial tension

Magnet Bond number Bm =
μ0χV1/3 H2

0
2σ =

magnetic f orce
Inter f acial tension

With different flow rate ratios, the droplet generation process is typically defined as
slug flow, dripping flow and jetting flow with or without a magnetic field. The flow pattern
and ferrofluid droplet generation can be illustrated in terms of the capillary number of the
continuous phase and the Weber number of ferrofluids [78]. The low capillary number
makes a slug flow when the continuous phase flow rate is relatively small. In this case,
ferrofluid completely occupies the channel and leads to an increment in upstream pressure.
As the flow rate of the continuous phase increases, a dripping flow pattern is formed with
viscous force playing a prominent role in droplet breakup. With a continuous phase flow
rate much larger than that of ferrofluid, the effect of capillary instability gives rise to the
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jetting flow regime. With an increment in magnetic strength, the flow tends to be a dripping
pattern. The induced magnetic force acts on the head of the ferrofluid and thus decreases
the length of the generated droplet. However, the magnetic field plays a negligible role in
the transition between dripping and jetting flow [79].

Conventional straight channels or nozzles were commonly employed for droplet
generation directly as shown in Figure 1a. By coupling with a permanent magnet, the
tunability of the ferrofluid droplet generation was realized by the non-uniform magnetic
field with strength high in the center and weak at both sides [80]. The generation rate
of ferrofluid droplets was increased as the droplet stretched forward. Without external
syringe pumping, Kahkeshani et al. [81] proposed the generation of ferrofluid droplets in a
straight-channel under the driving of the gradient magnetic field, as shown in Figure 1b.
In addition, a perpendicular uniform magnetic field was applied for the numerical study
of ferrofluid droplet generation in a straight-channel microfluidic device [82]. The flow
velocity increment and droplet size declination were investigated on a larger magnetic
bond number.

Other typical microfluidic devices were proposed to control ferrofluid droplet genera-
tion in T-shaped [83–85] and cross-shaped [10,86,87] channel structures coupled with an
electromagnetic field. For cross-shaped chips with a magnetic field applied along the flow
field, the diameter of the ferrofluid droplets would become larger as the magnetic intensity
gradually increases at a constant flow rate. On the contrary, higher magnetic intensity
results in a smaller droplet size for the T-shaped chip. The process of droplet generation in
the cross-shaped and T-shaped microfluidic chip is respectively shown in Figure 1c [88]
and Figure 1d [84]. Alternatively, a permanent magnet was positioned above the T-shaped
channel for generation of ferrofluid droplets with the reduction in generation frequency
and increment in curvature radius attributed by the permanent magnetic field [85].

Except for the magnetic intensity, the shape and size of the generated droplets are
related to the flow rate of the liquid sample, as well as the direction of the applied mag-
netic field. Generally, a larger flow rate and stronger magnetic field would accelerate
the breaking up of the ferrofluid droplets, giving rise to a smaller volume. For a straight
vertical nozzle structure, Fabian et al. [89] investigated the dripping of ferrofluid under
a horizontal or vertical magnetic field, which contributed to larger or smaller ferrofluid
droplets, respectively. Wu et al. [90] systematically studied ferrofluid droplet generation in
a cross-shaped channel under a transverse (perpendicular to liquid flow) or a longitudinal
(parallel to the liquid flow) magnetic field. In the transverse case, the generation rate was
increased with the length of ferrofluid droplets shortened. In the longitudinal case, droplet
generation slowed down with the length elongated, as shown in Figure 1e. For a T-shaped
channel under a transverse magnetic field, the interval of the generated ferrofluid droplets
is larger at a stronger field strength [91], Figure 1f.

Furthermore, programmability was implemented for non-magnetic water droplet gen-
eration in ferrofluids with rotating permanent magnets [92] and metal droplet generation
under the action of Lorentz force formed by an electromagnetic field [93]. In brief, the size
and shape of generated droplets, as well as the generation rate, are related to characteristic
parameters, such as the flow rate, surface tension, magnetic permeability, the applied
magnetic field, etc.
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Figure 1. Ferrofluid droplet generation devices: (a) Straight channels with permanent magnetic
field [80]; (b) Driven by a permanent magnet without a pump [81]; (c) In cross-shaped channel with
a perpendicular uniform magnetic field [88]; (d) In T-shaped microfluidic chip with a permanent
magnet [84]; (e) Horizontal magnetic field [90]; (f) Radial magnetic field [91].

2.2. Droplet Deformation

Once immersed in a magnetic field, magnetic forces on MNPs or magnetic liquid cause
various deformations of the magnetofluidic droplets. The suspended ferrofluid droplet
undergoes tensile deformation along the direction of the applied magnetic field [13–17].
Normally, the droplet appears to be stretched into a larger aspect ratio in a stronger
magnetic field (Figure 2a) [15]. For sessile droplets, the vertically applied magnetic field
forces the droplet to undergo deformation or even instability [94]. As shown in Figure 2b,
Lee et al. [95] applied magnetic dots with a diameter of 0.5–0.95 times that of the sessile
ferrofluid droplet to analyze the aspect ratio of the droplet in terms of magnetic field
strength. In addition to profile analysis, wettability of the droplet [96] has been extensively
studied in terms of contact angle variation [97–100]. A permanent magnet was placed
under the sessile droplet, where the contact angle gradually decreased as the magnetic
intensity increased [101]. Upon reaching a critical condition, the sessile droplet incepted and
slid continuously with the moving permanent magnet, with the dynamic advancing and
receding contact angles shown in Figure 2c. For the permanent magnet placed above, the
droplet on a hydrophobic substrate was stretched and even split along the vertical direction
with contact angle decreasing at increasing field strength, as shown in Figure 2d [102]. The
shape deformation and the splitting process were determined by the combined effects of
surface tension and magnetic force, which were also affected by nanoparticle concentration.
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The direction of the droplet deformation is consistent with the magnetic force, which
directs to a higher value of magnetic flux density. Ghaderid et al. numerically studied the
influence of the vertical magnetic field on the droplet falling process [103]. The magnetic
forces symmetrically distributed on the upper and lower interface, which can intuitively ex-
plain the suspended droplets’ uniform tensile deformation to both ends. Haberad et al. [104]
numerically calculated the magnetic field distribution around the droplet immersed in a
uniform magnetic field and further verified the working mechanism. Due to magnetization,
a strong gradient of magnetic intensity was generated at both ends of the droplet without
significant fluctuations in the center area. For ferrofluid droplets in a magnetic field with
non-negligible gravitational force, the droplets would have asymmetrical deformation
during the falling process [105]. The shape of the droplet went through the initial oblate
ellipsoid to a sphere, then to a long ellipsoid and finally to a teardrop shape, as shown
in Figure 2e. In addition to the above-mentioned meniscus under a magnetic field only,
Jackson et al. [106] proved the ability to acquire ferrofluid peaks with coupling of magnetic
and electric fields, as shown in Figure 2f. Furthermore, sessile ferrofluid droplet deforma-
tion was studied under the control of the magnetic field in conjunction with gravity and
sound [107].

Figure 2. Suspended and sessile ferrofluid droplet deformation in a magnetic field: (a) Suspended
ferrofluid droplet undergoes tensile deformation [15]; (b) Sessile ferrofluid droplet with magnetic
dots [95]; (c) Sessile ferrofluid droplet above permanent magnet [101]; (d) Sessile ferrofluid droplet
beneath permanent magnet [102]; (e) Asymmetrical deformation with gravitational force [105];
(f) Ferrofluid peak with coupling of magnetic and electric fields [107].
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On the basis of magnetic droplet deformation and contact angle shifting in a mag-
netic field, various applications have been fulfilled, such as microfluidic actuators [52,108]
and drive other transparent liquid via communicating vessels for making adaptive liquid
microlens, grating, etc. [109]. With an electromagnetic field, the deformation of magnetic
sessile droplets would lead to an adjustable droplet microlens by connecting droplets
through a channel [110] or cavity [111]. The liquid properties of ferrofluid and the char-
acterization of the external field play essential roles in the deformation of the magnetic
droplet, and thus the performance of the lens. For miniaturization, a microcoil array [112]
was adopted to actuate ferrofluid droplets for precise fabrication and easy integration.

2.3. Droplet Transportation

Magnetically induced droplet transportation enables reliable sample handling for
bioassays, drug preparation, chemical reactions and so on. The magnetically actuated
droplet motion can be regulated as predefined specific trajectories, such as rectilinear
motion and rotational motion. The magnetic field configuration plays a vital role in the
actuating and driving of magnetic droplets, including distribution, field strength and field
gradient. The motion of ferrofluid droplets in a gradient magnetic field has been extensively
investigated with the magnetic component performing as valve and actuator to pump other
immiscible liquids. Normally, the pumping performance was tuned and optimized with
a wise determination of channel configuration and magnetic properties. In a trapezoidal
silicon microchannel, the driving of ferrofluid droplets was applied for liquid sampling in
a magnetic field gradient generated by a permanent magnet with a stepping motor [113]
and an array of electromagnets [114].

By applying only permanent magnets, Hatch et al. [115] proposed a droplet handling
strategy for the pumping of immiscible continuous phases in a ring channel by manip-
ulating ferrofluid plugs with rotating permanent magnets (Figure 3a). For a systematic
understanding of the pumping behavior, the flow rate was studied with various chip
dimensions and the speed of magnets directing the ferrofluid droplets. With minimal
backpressure, the maximum flow rate and pressure head obtained were 45.8 μL/min and
1.2 kPa, respectively. In the originally adopted circular channel configuration, ferrofluid
served as a rotating or sealing component in the pump with plunger and blade shape. With
a similar design of rotary magnet driven by a motor, Fu et al. [116] proposed pumping of
diamagnetic fluids by ferrofluid working as the plunger of the pump. The rotational motion
of the ferrofluid droplets was realized [117] and further demonstrated for droplet-based
PCR [118,119]. In conventional straight microchannels, multiple [120] ferrofluid droplets
were introduced and tested for pumping of the DI water. In digital microfluidics, the
permanent magnet was robust in droplet wetting properties shift, deformation, continuous
sliding, and thus the fusion and split processes (Figure 3b) [73].

To avoid the pinching moment of the droplet under moving magnets, a magnetic
coil was adopted in investigating various volumes of ferrofluid droplet (5 μL to 150 μL)
transportation with a bio-compatible surfactant [121]. The stationary coil was beneficial in
preventing the disengagement of the droplet during the sliding process, which possibly
induced difficulties in predicting the exact trace line [101]. The platform was examined for
its versatility in droplet transport both on a hydrophobic solid substrate and immersed in
olive oil, with various magnetic flux densities, droplet volume, duty cycles and frequencies.
For further precise position and manipulation of droplets at a distance from the magnets,
an array of micro-coils were enormously developed and optimized for single or multiple
droplet transportation in the demanded trajectory. Chakrabarty et al. [56] applied a gradient
magnetic field generated by an embedded micro-electromagnetic coil to drive 0.5 μL
ferrofluid droplets on the surfactant–water solution moving toward the center in a linear
or predefined meandering path. A single planar squire coil formed a magnetic field with
strength owning the maximum value at the center and dissipating sharply toward the
periphery. The sequentially switched array of square spiral microelectromagnets facilitated
the sophisticated regulation of droplet sliding paths (Figure 3c).
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The superposition with a permanent magnetic field offers versatility in droplet actu-
ation in an electromagnetic field. On a digital microfluidic platform, Beyzavi et al. [122]
designed a magnetic field generated by two pairs of electromagnetic coils to restrain the
ferrofluid droplets (0.5~3 mm in diameter) from moving in the horizontal direction, as
shown in Figure 3d. The superposition with a pair of permanent magnetic fields was neces-
sary for creating a single field maximum for droplet attraction. The additional permanent
magnetic field also helped in stronger field strength, which induced a larger peak velocity
of the droplet [123]. Probst et al. [124] sequentially powered four electromagnetic coils
to realize the spiral motion of ferrofluid droplets. The magnetic remote control provided
an approach for precise positioning, as well as steering along any desired 2-dimensional
path of a single ferro fluid droplet. In addition to ferrofluid, droplet transportation was
realized for magnetic liquid marbles by a permanent magnet [125] and EGaIn droplets by
the generated Lorentz force [126].

An alternative option of magnetic actuation is a functioning substrate for working
as a driving component. Inspired by deformable paramagnetic liquid substrate [127],
Damodara et al. [128] utilized a permanent magnet to achieve droplet movement on the
MNP-embedded PDMS chip, as shown in Figure 3e. Similarly, a superhydrophobic mag-
netic elastomer [129] was developed with surface depression under the action of a magnetic
field to accomplish the motion of a non-magnetic droplet. Magnetic nano/micropillar
arrays (MNA) [130] were proposed to transport droplets through pillar bending in a
permanent magnetic field, as shown in Figure 3f. By coupling with gravitational force,
Wang et al. [131] concluded that the reduction in height and shift in motion trace of the
droplet rebound in a magnetic field.

Figure 3. Droplet transportation in magnetic actuation: (a) Ferrofluid plugs with rotating permanent
magnets [115]; (b) Ferrofluid droplet with sliding permanent magnets [73]; (c) Ferrofluid droplets with
electromagnetic coils [56]; (d) Ferrofluid droplets with permanent and electromagnetic fields [122];
(e) Water droplet moving on substrate deformation [128]; (f) Water droplet moving based on magnetic
nano/micropillar arrays [130].
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2.4. Droplet Sorting

Droplets generated in all kinds of devices need to be sorted for an experiment or
industrial production with specific requirements, such as speed, size, material and com-
position. According to the driving mechanism, droplet sorting is categorized into passive
and active droplet ways [132]. The passive method sorts droplets by taking advantage
of the physical or chemical properties of droplets, such as speed, interfacial tension [133],
size [134], viscosity [135], etc. However, this sorting method has a shortage in delay and
slow response. The active method mainly sorts droplets by utilizing an externally applied
driving source, such as pneumatic actuator, ultrasonic, thermal, electric and magnetic
force [3].

Magnetic active control is an instant and efficient way to sort ferrofluid droplets or
magnetic particles. According to the difference in magnetism, Figure 4a shows a ferrofluid
droplet sorting method using a permanent magnetic field [136]. During the sorting process,
the droplet would be deflected to different extents, varying with the size of magnets placed
under the microfluidic channel and the magnetic particle concentration in ferrofluid. A
similar device was adopted to transport single or batch superparamagnetic droplets with
their speed reaching 10 per second (Figure 4b) [18]. To sort droplets with magnetic beads,
Teste et al. [21] developed a magnetic rail for steering the droplets along the designed track
(Figure 4c). In addition, ferrofluid droplets were deflected to different extents in terms
of flow speed or droplet size (Figure 4d) [19]. Hydrophobic ferrofluid was applicable in
wrapping water droplets for indirectly sorting non-magnetic water droplets in a magnetic
field [137]. Water droplets were deflected to flow out along three different passages by
continuously moving the horizontally positioned permanent magnet (Figure 4e).

Figure 4. Different magnetic sorting methods: (a) Based on the difference in magnetism [136];
(b) Droplets deflected to the indicated outlet [18]; (c) Magnetic rails [21]; (d) Based on the difference
in flow speed and droplet size [19]; (e) Deflect of water droplets in ferrofluid medium [137].

Magnetically induced droplet sorting is mainly applied in life science, bioengineering,
medicine, diagnosis and medical testing, etc. By successfully encapsulating biological
reagents or chemical samples in droplets, sorting of cells in microfluidic chips offered a
promising way for disease detection and analysis [138]. With technology developed for la-
beling with superparamagnetic iron oxide nanoparticles, cell detection, loading, delivering
and further sorting are ensured in all kinds of biomedical tasks [139]. In addition, Sung
et al. [140] magnetically sorted droplets containing different microalgae cells with various
densities to extract microalgae with high growth performance. Compared with conven-
tional methods, magnetic droplet sorting is characterized by high throughput and purity,
zero contact pollution, low sample consumption and cost, but a relatively slower response.
Another fundamental drawback is the need for magnetic components for interaction with
the externally applied magnetic field [141,142]. Moreover, the labeling of non-magnetic
target droplets by magnetic material such as MNPs may give rise to the variation of physical
and chemical properties, which could undermine the chemical/biological compatibility.
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2.5. Droplet Coalescence and Splitting

The process of droplet coalescence or splitting in the microfluidic channel can be
actively controlled by a magnetic field. In the microfluidic platform, magnetically induced
droplet coalescence can be classified into the following two categories according to the
working principle. Through controlling the flow moving direction and flow rate, Varma
et al. [22] applied a 1000-mT uniform magnetic field to droplets in a cross-shaped channel.
The speed of the droplets changed abruptly, resulting in the coalescence of two different
types of droplets (Figure 5a). A permanent magnet was also functional for flowing droplets
deflecting toward the magnet and merging into a larger droplet in the cross-shaped channel
(Figure 5b) [23]. The non-uniform magnetic field was formed with a peak value of 50 mT.
Similarly, a permanent magnet was placed in direct contact with the top surface of a Y-
shaped channel to magnetically realize the assembling of double emulsion droplets near
the magnet and then coalescence, as shown in Figure 5c [24].

Figure 5. Droplet coalescence and splitting in a magnetic field: (a) Uniform magnetic field induced
droplet merging in a cross-shaped channel [22]; (b) Permanent magnet induced droplet merging in a
cross-shaped channel [23]; (c) Permanent magnet induced droplet merging in a Y-shaped channel [24];
(d) Droplet merging in coupling uniform and non-uniform magnetic fields [25]; (e) Droplet splitting
in T-shaped channel [26]; (f) Droplet splitting in Y-shaped channel [27].

Alternatively, droplet coalescence would be accomplished by profile deformation in
an external magnetic field. In a uniform magnetic field, Ghaffari et al. [14] studied the
coalescence of two falling ferrofluid droplets based on the fundamental understanding of
pendant droplet deformation in terms of field intensity, magnetic susceptibility, surface
tension and droplet size (Figure 5d). The analysis was presented with droplet aspect ratio
as a function of magnetic bond number and susceptibility. The numerical results, together
with the verification by comparison with experimental data, indicated a magnetic approach
to be beneficial in both coalescence and breaking of emulsion. In a T-shaped microchannel,
the combination of uniform and non-uniform magnetic fields was utilized to explore
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multiple ferrofluid droplet actuation, inter-droplet space tuning, droplet deformation and
merging [25].

In addition, the microfluidic droplets would be split when passing through the
T-shaped [26,143–145], λ-shaped [146] and Y-shaped [27,147] channels. As shown in
Figure 5e,f, when a permanent magnet is placed on one side of a T-shaped [26] or Y-
shaped [27] channel, there would be an asymmetric splitting of the droplet with size and
frequency programmable through manipulating the field. A stronger non-uniformly dis-
tributed magnetic field facilitates the non-breakup of droplets at a relatively small flow rate
ratio between the continuous and dispersed phase. Chen et al. [28] proposed splitting of the
magnetic droplet by adopting an orifice under the attraction of an electromagnetic field. The
droplet characteristics, such as the sizes of the daughter droplets and the stretching lengths,
were interpreted according to orifice diameter and local field strength. By droplet merging,
quantitative methylation-specific PCR was realized in a microfluidic device with three
identical and parallel lanes [148]. Droplets containing human cell suspension underwent
bisulfite conversion and cell lysis through droplet coalescence. In addition, further merging
with secondary droplets led to DNA binding to magnetic particles for further processing.

Besides the above-mentioned continuous microfluidic process, droplet coalescence
and merging are also widely explored and analyzed in digital microfluidic devices with
droplets deposited on an open platform. By inducing magnetic hydrodynamic instability, a
large mother ferrofluid droplet on the magnet disc arrays was uniformly split into several
small daughter droplets with the lattice structure affected by the field configuration [29].
Koh et al. [149] utilized a permanent magnet to drive the ferrofluid droplet fusion with the
water droplet on the Teflon-coated substrate. The control of oil-based ferrofluid droplet
transportation and fusion with a diamagnetic oil droplet was realized on superhydrophobic
ZnO nanorod arrays by adopting an external magnetic field [150].

During the coalescence and splitting process, droplet sizes and flow rate can be pre-
cisely adjusted by the magnetic field to satisfy the requirement of further investigation.
Fusion and splitting of microdroplets have broad applications in chemical reagent synthesis
and dispersion, capsule synthesis and pharmaceutical detection, etc. By droplet splitting,
Lehmann et al. [39] implemented the purification process by using a coil matrix to manipu-
late MNPs for extracting DNA from cell samples. In a permanent magnetic field with a peak
at 400 mT, a magnetic Janus droplet was synthesized in the cross-shaped channel [151] and
further applied for protein detection [152,153]. Furthermore, Alorabi et al. [31] successfully
synthesized multi-layered capsules for drug delivery by controlling the magnetic droplets
flowing into the polyelectrolytes under a magnetic field.

2.6. Droplet Levitation

Droplet levitation achievable under a magnetic field exhibits relatively stable equilib-
rium without media contact. Undoubtedly, the static magnetic field can levitate paramag-
netic medium based on precise regulation. Both experimental and numerical results were
presented for ferrofluid droplet levitation by an electromagnetic coil. The droplet dynamics
were studied as a function of the applied magnetic field, including equilibrium shape and
oscillation, as shown in Figure 6a [154]. It is worth noting that magnetized diamagnetic
liquid and its levitation are of great importance in industrial and scientific fields. In terms
of the propulsion working principle, the magnetic levitation of diamagnetic droplets was
introduced with static and alternating magnetic fields individually.

The levitation of diamagnetic droplets offers the capability of investigating thermal
characteristics, surface properties and hydrodynamics, sophisticated convection and so
on. For levitation of diamagnetic liquids (such as water and alcohol), the field is required
to have characteristic parameters large enough in both strength and gradient magnitude.
Commonly, a strong static magnetic field generated by a superconducting coil was uti-
lized to realize the suspension of diamagnetic liquid. In the preliminary work, Beaugnon
et al. [155] used a super-static magnetic field of up to 20–27 T to levitate weakly diamagnetic
liquids such as alcohol, water, acetone, etc. By being immersed in a magnetic field gradient,
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liquids were forced to lower field regions under the effect of a driving force stronger than
gravity. The technique is applicable in biological fields, as most organic materials have a dia-
magnetic susceptibility almost in the same order of magnitude as water [156]. In addition,
Liu et al. [157] used a 17 T static magnetic field to levitate a large water droplet with a few
mm in diameter. The generated magnetic force follows B(z)∇B(z) = −μ0ρg/|χ|, where
B(z), μ0, χ and B are the vacuum permeability, the magnetic flux density in the vertical
direction, the magnetic susceptibility of the droplet and the externally applied magnetic flux
density [158,159]. Therefore, the droplet is levitated by the generated repulsive magnetic
force balancing the volumetric gravitational force. To fulfill the working mechanism on
magnetism, Pang et al. [160] designed experiments for observing the levitation and interac-
tion of pure water droplets in a superconducting magnetic field with strength up to 16.1 T.
The suspension state significantly relied on the interaction between the superconductive
magnetic field and magnetized water droplets.

Figure 6. Magnetic levitation of droplets: (a) Ferrofluid droplet levitation and splitting in an electro-
magnetic field [154]; (b) Molten silicon droplets levitation in a coupled field [161].

In addition, an alternating magnetic field is adopted to levitate conductive liquids
such as molten metal. Commonly, an AC coil is applied to generate the magnetic field
and thus results in the Lorentz force as the driving source. It is worth mentioning that
there will be generation of eddy current and heat in the droplet. The coupling of an
AC coil with a static magnetic field was capable of levitating molten silicon droplets, as
shown in Figure 6b [161]. The oscillation, equilibrium, deformation and temperature field
of the droplet were systematically interpreted in terms of the static field strength ranging
from 1–5 T and the Marangoni effect. The same group numerically studied the flow and
temperature field distribution of molten copper droplets levitated by an electromagnetic
approach [162]. The influence of the eddy effect was considered in the droplet and coils
for taking into account the non-uniformity of current density. The eddy effect gave rise
to higher magnetic force, velocity and unevenly distributed temperature in the levitation
process. In microgravity, Bojarevics et al. [163] performed a numerical simulation on the
melting of silicon droplets in an AC+DC magnetic field and presented the typical temper-
ature and velocity field. The stable droplet suspension helped in studying heat transfer
in microgravity environments [164], ensuring demanding chemical reactions without bac-
terial and virus pollution, smelting high-purity materials [165], promoting the fusion of
incompatible alloys [166] and optimizing the welding effect [167].

3. Conclusions and Future Directions

Through the above analysis, we witnessed the development of magnetically induced
droplet manipulation and its application prospects. As one of the most critical issues
in the microfluidic area, magnetic control exhibits the most vital ability to wirelessly
manipulate droplets constituted with biological reagents or chemical samples. In terms of
fabrication and integration, magnetic manipulation is relatively easy to implement with
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advantages in locality, non-contact, strong anti-interference, etc. A variety of scientific
works are presented in this review. The recent achievements and advances are categorized
and discussed in terms of different processes, including droplet generation, deformation,
transportation, sorting, fusion, splitting and levitation. Other specific functions are given
by extracting magnetic particles in droplets, sorting droplets with magnetic differences,
driving or transporting droplets, smelting metal, etc. Microfluidic devices coupled with
wisely designed and regulated magnetic fields have unique advantages in biomedical
and chemical applications, which can manipulate cells with natural magnetism, label
non-magnetic target cells with MNPs, encapsulate cells or viruses, culture cells, sort cells,
synthesize drug capsules, detect cancer and conduct targeted therapy. Overall, the magnetic
control of droplets can be achieved by regulating fluidic properties, channel and magnetic
field configuration to precisely tune the liquid wettability, droplet profile and size, droplet
intervals, etc. The development of magnetic droplet manipulation can promote cross-
disciplinary cooperation and exchange, which break the barrier between disciplines and
provide novel vision in scientific research.

On the other hand, it is also worth mentioning that the defects of the magnetic ap-
proach are closely related to field configuration and material properties and need further
excavation and improvement. The main characterization of the general performance in
droplet handling includes response time and throughput, ease of fabrication, sample and
device cost, system lifetime, accuracy and so on. Some of the interesting research directions
and prospects are stated in the following section. Magnetic actuation is preferred in certain
applications due to its advantages, such as easy fabrication and low cost. But to what
extent magnetic droplet manipulation could contribute to the industry or biotechnology
revolution would still depend on the response to the challenges. The integration of all
components on the same platform demands the miniaturization of functional devices, such
as pumps, valves, mixers, etc. The compromise would be necessary for the introduction of
efficient active methods unfavorable in miniaturization and reliability, or passive methods
with easy integration but less efficiency. We envision that the growing complexity of micro-
fabrication, synthesis and assembly of composite materials would be required to support
the adequate functions of the magnetic platform. For magnetic handling in biotechnology,
the volume reduction of the macroscopic magnetic environment to microscopic cases in cer-
tain applications would be another considerable challenge, especially for droplet levitation
with superconducting magnets. The molecules and MNPs in miniaturized systems also
need to deal with the issue of adherence to boundaries due to the large surface/volume
ratio or difficulty in entering microchannels due to the effect of capillary forces.

In addition, the experimental investigation requires further efforts on massive han-
dling, instant tracking and monitoring. The manipulation of droplets would depend on
technology for addressing information to identify and code a single droplet or a series of
droplets. The addressing technology is foreseen to be a remote way realized by integrating
components in the handling platform. The compatibility of magnetic handling with digital
processing facilitates the programmability and diversity of droplet identification and treat-
ment. Furthermore, a multi-functional droplet platform needs to be explored to provide
complex, generic and robust handling. The application would offer integrated chemical,
biological and medical functionality with specific strategies adopted. To conclude, on the
basis of current accomplishments on the topic of droplet manipulation under magnetic
field, this work summarized valuable theories and experimental behaviors, together with
potential application prospects and challenges, in the hope of contributing to the con-
struction of a sound and rigorous research structure that would be beneficial both for the
understanding of its comprehensive working mechanism and for the future application
and commercialization of this technology.
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