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Editorial

Editorial for the Special Issue on Particles Separation in
Microfluidic Devices, Volume II

Naotomo Tottori 1,* and Takasi Nisisako 2,*

1 Department of Mechanical Engineering, Faculty of Engineering, Kyushu University, W4-729, 744, Motooka,
Nishi-ku, Fukuoka 819-0395, Japan

2 Institute of Innovative Research, Tokyo Institute of Technology, R2-9, 4259 Nagatsuta-cho, Midori-ku,
Yokohama 226-8503, Japan

* Correspondence: tottori@mech.kyushu-u.ac.jp (N.T.); nisisako.t.aa@m.titech.ac.jp (T.N.)

Particle separation in the nano- to microscale range is a significant step for biological,
chemical, and medical analyses. Since the 2000s, many micro- and nanofluidic techniques
have been developed for the separation, sorting, isolation, fractionation, and purification
of various particles, especially for biological particles, based on their chemical and/or
physical properties. These micro- and nanofluidic techniques have been attracting atten-
tion as a promising approach because they enable us to use a sample and reagent with
minimum consumption, are easy to use, and can be integrated into other components for
comprehensive analysis. These micro- and nanofluidic techniques are classified into two
types; (i) passive techniques using the hydrodynamic effect induced by the geometries in
the micro/nanoscale, and (ii) active techniques using external forces, for example in the
magnetic, optical, acoustic, and electric fields.

The papers collected in this Special Issue present state-of-the-art research for particle
separation and manipulation using microfluidic techniques. There are five research papers
and a review article published in this Special Issue. Three research papers present the
separation and manipulation of particles by measn of the passive approach using layers
of stacked beads in a microchannel [1], three-dimensional (3D) channels [2], and convex
air bubbles attached to the surface of the channel [3]. The remaining papers present the
separation of particles by means of the integration of active and passive techniques using an
electric field and a deterministic lateral displacement (DLD) array [4,5]. The review article
covers microfluidic technologies for separation and detection toward achieving practical
applications for public health [6].

(1) Passive method: Xu et al. proposed a microfluidic plasma separator for biochemical
analysis using three layers of different-sized microspheres as the separation struc-
ture [1]. They designed a microfluidic device with 18 capillary microchannels and
enabled the extraction of ~3 µL of plasma from a 50 µL blood sample in ~55 min. As a
demonstration of the feasibility of the device in the application of clinical biochem-
ical testing, they introduced a clinical blood sample into the device and measured
the concentrations of four components (TP, ALB, GLU, and UA), and obtained mea-
surement values similar to those provided by conventional centrifugal separation,
indicating acceptable accuracy for point-of-care analysis. Zoupanou et al. reported a
method for the fabrication of a 3D fluidic mixer made from poly(methylmethacrylate)
(PMMA) using computer-aided design (CAD) and the micromilling technique and
demonstrated the manipulation of the fluid and nanoparticles [2]. They performed
passive chaotic mixing and dilution through the reservoir and serpentine layers in the
fabricated device. Park et al. proposed a novel technique to prevent the clogging of
microspheres in the channel of the catheter by utilizing convex air bubbles attached to
the surface of the channel walls [3]. In this paper, they evaluated the effect of the width,
cavity, and the distances between the cavities to prevent the clogging of microspheres.
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From the experimental results, they established that the large convex air bubbles with
a small distance between the two adjacent cavities can effectively prevent the clogging
of microspheres in the channel.

(2) Integration of the passive and active methods: Ho et al. reported the separation
of particles with nano- and micro-sizes primarily based on their zeta potential by
combining DLD methods with electric fields (eDLD) [4]. In this study, they performed
the characterization of the relevant parameters (e.g., ionic strength, applied voltage,
frequency, and pressure) necessary to achieve adequate separation of particles with
different types, enabling them to adapt the method to various particle sizes and
zeta potentials. They also demonstrated the separation of nano-sized liposomes
with different lipid components with biological relevance. Ho et al. also reported
the separation of cells based on their differences in the membrane and/or internal
structure by combining a DLD technique with electrokinetics [5]. Using the proposed
microfluidic device, they performed the separation of cells, which were heat-treated
to deactivate cells for changing their viability and structure, based on their viability
(viable or non-viable cells). For the separation of Escherichia coli (E. coli), the change
in their size after deactivation is not sufficient for the size-based separation of the
DLD array; however, they utilized the considerable change in their zeta potential,
and achieved separation of E. coli by applying AC voltage in the DLD array at a low
frequency. In contrast, for the separation of Saccharomyces cerevisiae (Baker’s yeast), the
change in zeta potential after heat treatment is small, and therefore they utilized the
change in dielectrophoretic property and achieved the separation of Baker’s yeast by
applying AC voltage in the DLD array at a higher frequency.

In addition to these research articles, Zhang et al. presented a comprehensive review
of the latest developments of microfluidic separation and detection for the benefits of
public health. These two topics (i.e., separation and detection) are normally reviewed
separately; however, they are related closely to each other for their application to public
health, and understanding the techniques of separation will offer new insights to develop
detection technologies.

We would like to thank all authors who submitted their papers to this Special Issue.
We would also like to acknowledge all of the reviewers who dedicated their time to provide
their reports in a timely manner in order to improve the quality of the papers collated in
this Special Issue.

Conflicts of Interest: The authors declare no conflict of interest.
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Abstract: The development of a simple, portable, and cost-effective plasma separation platform
for blood biochemical analysis is of great interest in clinical diagnostics. We represent a plasma
separation microfluidic device using microspheres with different sizes as the separation barrier.
This plasma separation device, with 18 capillary microchannels, can extract about 3 µL of plasma
from a 50 µL blood sample in about 55 min. The effects of evaporation and the microsphere barrier on
the plasma biochemical analysis results were studied. Correction factors were applied to compensate
for these two effects. The feasibility of the device in plasma biochemical analysis was validated with
clinical blood samples.

Keywords: microchip; microspheres stacking; plasma separation; concentration detection

1. Introduction

Blood biochemical tests are widely adopted for the screening of diseases in clinical
diagnosis. However, red blood cells (RBCs) in the whole blood, with an intense red
color, can interfere with test results [1,2]. Separation of the plasma from the whole blood
sample is usually prerequired for an accurate determination of the components in a blood
sample [1,3]. The centrifugation technique is a common method for plasma separation in a
clinical test. However, this technique requires bulky and expensive equipment, limiting its
applications in resource-limited settings [4]. Therefore, the development of a cost-effective
point-of-care testing (POCT) device for plasma separation is highly desired.

Microfluidic techniques have shown great potential in the fabrication of POCT devices
due to their low-cost, small size, low sample consumption and high-throughput analy-
sis [5,6]. Numerous efforts have been made to design and fabricate microfluidic devices for
plasma separation [3,7]. For example, paper-based microfluidic devices use porous cellu-
lose material to remove RBCs from a whole blood sample [2,8–10]. Although these devices
are simple and low-cost, the porous structure of the cellulose material is easily clogged by
blood cells and retains proteins within its network structure [3]. Microstructures have been
fabricated to perform plasma separation based on different mechanisms, such as digital
microfluidics [11], cross-flow pillars [12,13], inertial force-based spiral channels [14–17],
and the Zweifach–Fung separation technique [18,19]. With the elaborate design of mi-
crostructures, these devices can achieve a fast separation rate. However, the fabrication
process of these microstructures is time-consuming, and precise control of the microfluid
is also required for high separation efficiency. Previous research has shown that a sepa-
ration system constructed by stacking microspheres in the microchannel can efficiently
block blood cells and drive plasma forward by capillary force at the same time [20–23].
This method provides a simple way to selectively extract plasma from a whole blood sam-
ple without an external driving force. However, the separated plasma were directly applied
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in an immunoassay [22] and an agglutination test [23] assumed that the main components
were perfectly preserved. The component concentrations in the plasma separated by those
microfluidic devices have rarely been analyzed. It has been shown that the microstructures
and surface properties of microfluidic devices can interact with the components in the
plasma, which can lead to the component concentrations in the separated plasma being
inconsistent with those of the “gold standard” of the centrifuge method [24,25].

In this work, we designed a microfluidic plasma separator with double-layer structure
containing three types of microsphere layers. The formed microsphere barrier not only
blocks RBCs but also allows the plasma to pass through by the capillary force without
external driving forces. By controlling the stacking behavior of the microspheres and
increasing the number of capillary channels connecting the microsphere barrier and the
collection chamber, separation efficiency can be increased. The effects of water evaporation
in the sample, induced by the open inlet and outlet of the device, and the microsphere
barrier on the concentration variations of four components in the separated plasma were
studied. Correction factors were also calculated for our device for the measurement of the
four components in the separated plasma to make the results comparable to those with
the traditional centrifuge method. Finally, the feasibility of using our device to separate
clinical blood samples for a clinical biochemical test was studied.

2. Materials and Methods

2.1. Reagents and Materials

Phosphate buffered saline (PBS) was purchased from Solarbio Technology (Beijing,
China). Protein blocking powder was obtained from Boster Biological Technology (Pleasan-
ton, CA, USA). Photoresist (SU8 3050, SU8 2050) and the developer were provided by
MicroChem (Newton, MA, USA). Polydimethylsiloxane (PDMS, Sylgard 184) was from
Dow Corning (Midland, MI, USA). Microspheres with diameters of 10 µm, 20 µm and
100 µm were offered by Zhiyi Microsphere Technology (Suzhou, China).

2.2. Microchip Design and Fabrication

The microfluidic plasma separator mainly contains four parts: the injection port,
the microsphere stacking chamber, the straight capillary channels, and the collection cham-
ber (Figure 1a,b). Microspheres were stacked in the microsphere stack chamber to block
the RBCs and allow the plasma to pass through. The length and height of the microsphere
stack chamber are 18.5 mm and 220 µm, respectively. The maximum width of the micro-
sphere stacking chamber is 7.8 mm. There are 18 straight capillary channels connecting
the microsphere stacking chamber and the collection chamber, which can provide a cap-
illary force to promote the separated plasma toward the collection chamber with high
throughput. The dimensions of each channel are 1.5 mm (l) × 100 µm (w) × 85 µm (h).
The collection chamber is designed to collect the separated plasma, with the dimensions of
5.8 mm (l) × 2 mm (w) × 220 µm (h).

Because the height of the straight capillary channel is different from other parts in
the device (Figure 1b), a double-layered master mold was made on a silicon wafer by
the lithography technique. SU-8 3050 and SU-8 2050 were used to prepare the first layer
with the height of 85 µm, and the second layer with the height of 220 µm, respectively.
To prepare the PDMS pattern, the PDMS prepolymer and the curing agent were mixed
at the weight ratio of 10:1 and degassed in the vacuum oven for 30 min to remove the air
bubbles. The PDMS mixture was then poured on the SU-8 master mold and cured in an
oven at 80 ◦C for 30 min. After curing, the PDMS pattern was peeled off from the master
mold and the inlets and outlets were then punched. Then, the PDMS pattern was bonded
to a pre-cleaned glass slide through oxygen plasma treatment (PDC-MG, Suzhou, China).
The resulting plasma separation microchip is shown in Figure 1c.
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Figure 1. Schematic illustrations of the microfluidic chip of (a) the top view and (b) the cross section,
and photos of the microchip (c) before and (d) after stacking microspheres.

2.3. Beads Stacking

A syringe pump (LSP10-1B, Lange, Baoding, China) was used to drive the micro-
spheres into the stacking chamber for bead stacking. Protein blocking solutions containing
0.5 mg/mL silica microspheres with the diameter of 100 µm was first pumped into the
microsphere stacking chamber at a flow rate of 600 µL/min. After all the microspheres of
100 µm were stacked at the entrance of the straight capillary tubes, the 20 µm and 10 µm
microspheres were sequentially pumped into the microsphere stacking chamber at a flow
rate of 600 µL/min. The volumes of 100 µm, 20 µm and 10 µm silica microspheres pumped
into the chamber were 5 µL, 20 µL and 20 µL, respectively. After that, the chip was put
on a hot plate at 75 ◦C for an hour to remove moisture, and was then left in a refrigerator
(−20 ◦C) overnight to form the microsphere barrier to block the RBCs. The plasma separa-
tor containing the microsphere barrier is shown in Figure 1d. The length of the microsphere
barrier is about 4.8 mm.

2.4. Plasma Separation

Human whole blood samples were collected from volunteers in Chongqing University
Hospital. The blood samples were used for the experiment with the consent of the volun-
teers and Chongqing University Hospital. The blood samples used in the experiments were
obtained from healthy volunteers aged between 18 and 40. Venous blood was used within
1 week after sampling and was stored in ethylenediaminetetraacetic acid (EDTA)-coated
blood collection tubes at 4 ◦C. For the plasma separation, 50 µL blood sample was dropped
into the inlet port and the plasma separation process was monitored under an optical
microscope (IX73, Olympus, Tokyo, Japan) and recorded by a camera (DS126282, Canon,
Tokyo, Japan).

2.5. Plasma Analysis

Assay kits for total protein (TP), albumin (ALB), glucose (GLU), and uric acid (UA),
provided by Nanjing Institute of Biological Engineering (Nanjing, China), were used
to measure the concentrations of components in the plasma samples. The component
concentrations in the separated plasma were determined by the microplate reader (Bio Tek,
Winooski, VT, USA). Plasma sample processing was performed according to the instruction
by the supplier. For the measurement, 150 µL of the mixture of the plasma sample and
the reaction reagent were pipetted into 96-well plate. The absorbance measurements were
carried out at the corresponding wavelength with the microplate reader (Bio Tek, Winooski,
VT, USA). For comparison, the concentrations of components in plasma samples prepared
by the common centrifuge technique were assessed.
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3. Results and Discussion

3.1. Microspheres Stacking

The major blood cells in blood are RBCs. Removing RBCs from the whole blood is
important for plasma separation. The plate-shaped RBCs are 2 µm thick with a diameter of
8 µm [7]. To effectively block the RBCs and allow the plasma to pass through, the pore size
of the stacking microspheres is a critical factor. Pores of too large size cannot block RBCs,
while pores which are too small would be clogged by RBCs to prevent the movement of the
plasma. Previous research has shown that the size of the microspheres should be controlled
between 20 µm and 7.8 µm in order to prevent the movement of RBCs and allow the plasma
to pass through at the same time [20]. However, if too few microspheres are stacked for
the plasma separation, the amount of plasma separation collected is limited [21]. In order
to achieve high-throughput plasma separation, three sizes of microspheres were used to
create the barrier in this study. Large microspheres with a diameter of 100 µm are used first
to prevent smaller microspheres from entering the separation channel, and which have
limited contribution to the entire plasma separation process [20,23]. Plasma separation is
realized by the 10 µm microspheres. However, we found that the small 10 µm microsphere
could penetrate the 100 µm microsphere layer and move into the capillary channels if we
directly pumped the 10 µm microsphere into the chamber, followed by the stacking of the
100 µm microsphere layer (Figure 2a). Therefore, we chose microspheres with the diameter
of 20 µm as the transition layer between the two types of microspheres. After being dried
on a hot plate, the microchip containing microsphere layers with clear boundaries is shown
in Figure 2b.

Figure 2. Optical microscopy images of (a) the stacking of 100 µm and 10 µm microspheres,
and (b) stacking of microspheres with the size of 100 µm, 20 µm and 10 µm.

3.2. Plasma Separation

For the plasma separation, a 50 µL blood sample was dropped into the inlet port,
allowing it to move into the microsphere stacking chamber for the plasma separation (Figure 3a).
After the addition of the blood sample, the empty part of the microsphere stacking chamber
quickly turned red in about 40 s, indicating that the blood sample can easily flow into the
chamber without external forces. When it reached the microsphere barrier, the moving
rate of the blood sample was reduced due to the large resistance of the barrier. After a
while, a transparent band started to appear within the microsphere layers, which indicated
that the plasma began to be separated from the blood sample (Figure 3b). The transparent
plasma band gradually became clearer and enlarged (Figure 3c). After passing through
the microsphere barrier, the transparent plasma quickly passed through the 18 capillary
microchannels (Figure 3d, Video S1), and finally, accumulated in the collection chamber.
The plasma in the capillary microchannels is transparent, suggesting that the capillary
force added by the microsphere layers did not break the cell membrane of RBCs. The pores
formed by the closely packed microspheres of 10 µm are too small to allow the RBCs to pass
through the microsphere barrier, while the capillary force produced by the pores can pro-
mote the movement of plasma toward the collection chamber. In this way, the plasma can
be separated from the blood sample. About 3 µL plasma was collected in 55 min with our
device, which is acceptable for a POCT analysis [1,26,27]. Compared with the microbead-
based device reported previously [21], which can only separate 350 nL plasma, the device
in this study, with 18 capillary microchannels, shows a higher yield in plasma collection.
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Figure 3. (a) Photo of the microchip during the plasma separation. Optical microscopy images of
(b) the start separation of the plasma, (c) movement of the plasma within the microsphere barrier,
and (d) flow of the plasma in the capillary microchannels. (e) The moving distance of the plasma as
a function of time.

The movement of the front line of the separated plasma was recorded to study the
kinetics of plasma separation. The zero point was set as the point where the plasma
started to be separated from the blood sample. Figure 3e shows the moving distance of
the midpoint of the front line as a function of time. The moving distance of the front line
increases with the increase in time. The slope of the plot represents the moving rate of the
separated plasma. The moving rate of the separated plasma gradually decreases with the
increase of time. It took about 40 min for the plasma to pass through the microsphere barrier
and the capillary channels. As the amount of the plasma separated increases, the blood
cells accumulated near the edge of the microsphere barrier will increase the viscosity of the
remaining blood. Therefore, the moving rate of the plasma gradually slows down, which is
also reported by previous studies [7,23,28]. About 3 µL plasma can be collected in 55 min
with this device.

3.3. Plasma Analysis

Proteins and various small molecules in the blood plasma are necessary for sustaining
health, and they are usually adopted as biomarkers for the clinical diagnosis of diseases [1,3].
For example, glucose concentrations in the plasma are usually considered as the “gold
standard” in the clinical diagnosis of diabetes [29,30]. In order to prove the feasibility of
our device in the application of plasma analysis, we employed four assay kits to assess
the component concentrations in the separated plasma by our device. The component
concentrations in the plasma prepared by traditional centrifuge technique were used
as comparison. Figure 4a shows concentrations of four components—TP, ALB, GLU,
and UA—in the separated plasma by our device, and centrifugal plasma by centrifuging.
The concentrations of the four components in the separated plasma show different degrees
of increase compared with those in the centrifugal plasma, which show about 19.133 g/L
increase for TP, 4.85 g/L increase for ALB, 0.0489 g/L increase for GLU, and 0.004 g/L
increase for UA, respectively (Figure 4a).
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Figure 4. (a) Component concentrations of the separated and centrifugal plasma samples; inset is
the UA concentration of separated and centrifugal plasma samples. (b) Absorbance of standing
and centrifugal plasma; inset is the UA concentration of separated and centrifugal plasma samples.
(c) The photo of the microdevice for the study of the effect of microsphere barrier on the measurement
results. (d) The length of water separated from the device.

Considering the separation time (~55 min) and the dried protein blocking coating
on the surface of the microspheres, we hypothesize that the evaporation of water in the
sample from the open inlet and outlet of the device, and the microsphere barrier, are the
main reasons that lead to the increased component concentration for the separated plasma.
Standard plasma samples were used to prove our hypothesis. For the study of the influence
of evaporation, a 50 µL centrifugal plasma sample was dropped into the inlet of the device
and collected from the collection chamber after 55 min, before the absorbance measurement,
which is the same length of time for the plasma separation process. Compared with
centrifugal plasma without standing, the standing plasma shows a stronger absorbance for
the four components (Figure 4b) which lead to concentration increases of 15.95 ± 0.92 g/L
for TP, 4.23 ± 2.9 g/L for ALB, 0.038 ± 0.007 g/L for GLU, and 0.002 ± 3.8 × 10−5 g/L
for UA, respectively. This suggests that evaporation of the water in the plasma during the
separation process can lead to an increased concentration of the components in the plasma.
Then, we designed two straight channels with a scale, instead of the collection chamber
connecting the capillary channels (Figure 4c), to study the influence of the microsphere
barrier on the measurement results. The straight channel is 2 mm wide, 0.22 mm high
and 37 mm long. The straight channel allows us to precisely measure the volume of the
sample separated from the microsphere barrier. Deionized water was used to perform
this experiment. After the addition of 50 µL deionized water into the device for about
10 min, the length of water going out from our device was 65.3 mm, while it was 67.4 mm
for the device containing the barrier without the protein blocking coating (Figure 4d).
The stacked silica microspheres in the chamber created a large surface area for the sample
to make contact with. The dried hydrophilic protein blocking layer coated on the surface of
microspheres can uptake some amount of water in the sample, which can lead to increased
measurement results of plasma components. The volume difference between these two
devices is 0.924 µL, which can lead to concentration increases of 0.919 g/L for TP, 0.571 g/L
for ALB, 0.0129 g/L for GLU, and 0.0018 g/L for UA, respectively. Therefore, the effects
of evaporation and microsphere barrier lead to concentration increases of 16.87g/L for
TP, 4.801 g/L for ALB, 0.051 g/L for GLU, and 0.0039 g/L for UA, which are similar
to the concentration differences between the separated and centrifugal plasma samples.
The slight difference is due to the different affinities between the protein blocking coating
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and the components, which lead to different amounts of component adhered within the
microsphere barrier. In order to obtain measurement results that were comparable to
those in the centrifugal sample, correction factors were calculated for the four components
measured in this study (Table 1).

Table 1. Concentration correction value for the plasma component measurement.

Types of Components in
Plasma

Correction Factor (g/L) Standard Deviation

TP 19.133 8.58
ALB 4.854 0.199
GLU 0.049 0.004
UA 0.004 0.001

3.4. Clinical Validation

In order to assess the validity of the correction factors, we used blood samples from
three volunteers to measure the component concentrations in the plasma separated by
our device. In the process of plasma separation of each human blood sample, no hemol-
ysis occurred. The four component concentrations in all three separated samples are
higher than those in centrifugal samples before correction (Figure 5). The concentration
differences for TP, ALB, GLU, and UA between the separated and the centrifugal samples
are 21.203 ± 2.205 g/L, 4.978 ± 0.765 g/L, 0.043 ± 0.012 g/L, and 0.005 ± 0.001 g/L
respectively. After correction, the component concentrations in separated sample show
an obvious decrease and move toward the concentrations of centrifugal ones. The con-
centration differences of components between the corrected and centrifugal samples are
1.408 ± 1.056 g/L, 0.168 ± 0.765 g/L, 0.006 ± 0.012 g/L, and 0.001 ± 0.001 g/L for TP, ALB,
GLU, UA, respectively, which is acceptable for plasma analysis.

Figure 5. Component concentrations of clinical samples: (a) TP, (b) ALB, (c) GLU, and (d) UA.

4. Conclusions

We present a simple plasma separation device containing three layers of microspheres
with different sizes as the separation barrier. It takes about 55 min to extract 3 µL of plasma
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from a 50 µL blood sample with this device. The evaporation and the absorption of water
by the protein blocking coating of the microspheres during the separation process are
the main causes of increased component concentrations in the plasma. Correction factors
are applied to the device to eliminate those two factors. The feasibility of this device for
clinical biochemical testing applications is validated with clinical blood samples for the
measurement of TP, ALB, GLU, and UA in the separated plasma samples. The concentration
differences between the separated plasma with our device and the centrifugal plasma after
correction are 1.408 ± 1.056 g/L for TP, 0.168 ± 0.765 g/L for ALB, 0.006 ± 0.012 g/L for
GLU, and 0.001 ± 0.001 g/L for UA, respectively, which are acceptable for POC analysis.
This cost-effective, portable and external force-free plasma separation microchip shows
great potential in POC analysis of blood biochemistry.

Supplementary Materials: The following are available online at https://www.mdpi.com/article/10
.3390/mi12050487/s1, Video S1: the separated plasma passes through the capillary channels.
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Abstract: Micromixers are essential components in lab-on-a-chip devices, of which the low efficiency
can limit many bio-application studies. Effective mixing with automation capabilities is still a crucial
requirement. In this paper, we present a method to fabricate a three-dimensional (3D) poly(methyl
methacrylate) (PMMA) fluidic mixer by combining computer-aided design (CAD), micromilling
technology, and experimental application via manipulating fluids and nanoparticles. The entire
platform consists of three microfabricated layers with a bottom reservoir-shaped microchannel, a
central serpentine channel, and a through-hole for interconnection and an upper layer containing
inlets and outlet. The sealing process of the three layers and the high-precision and customizable
methods used for fabrication ensure the realization of the monolithic 3D architecture. This provides
buried running channels able to perform passive chaotic mixing and dilution functions, thanks to a
portion of the pathway in common between the reservoir and serpentine layers. The possibility to
plug-and-play micropumping systems allows us to easily demonstrate the feasibility and working
features of our device for tracking the mixing and dilution performances of the micromixer by using
colored fluids and fluorescent nanoparticles as the proof of concept. Exploiting the good transparency
of the PMMA, spatial liquid composition and better control over reaction variables are possible, and
the real-time monitoring of experiments under a fluorescence microscope is also allowed. The tools
shown in this paper are easily integrable in more complex lab-on-chip platforms.

Keywords: 3D microfluidics; lab-on-a-chip; micromixer; gradient generation; polymeric device;
buried channels; particles manipulation tool

1. Introduction

During the last decades, microfluidic structures have represented the cornerstone of
common lab-on-a-chip (LOC) devices. Conventional fabrication methods include the use of
standard soft lithography, followed by PDMS/PDMS, PDMS/glass, and PDMS/SU8 bond-
ing protocols to obtain assembled microfluidic devices [1–4]. Despite the good performance
of all the aforementioned molded devices, their suitability for biological studies, and the
ease of process, they all are facing some limitations, which makes them ineligible for further
repeated analysis and assessment, since they do not meet the requirements of robustness
and stability and do not allow (in many cases) a strong reproducibility of biological or
chemical assays [5,6]. Moreover, materials like polymeric silicones and resins listed above
are not suitable for industrial exploitation and inappropriate out of a research laboratory [7].
Such limitations include bond strength issues, deformability, loss of hydrophilicity, lack of
long-term sealing stability, and strong evaporation phenomena [8–11]. In addition, PDMS
is sensitive to exposure to some chemicals and may adsorb proteins on its surface [12–14].
Moreover, in the realization of more complex and three-dimensional (3D) microfluidic
devices, the apposition of different layers amplifies these drawbacks, as it is difficult to
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maintain the alignment and the good sealing of microchannels without deforming them
and then affecting microfluidic features.

Thermoplastic polymers (plastics) like poly(methyl methacrylate) (PMMA), polystyrene
(PS), cyclic olefin copolymers (COC), or polycarbonate (PC) have gained increasing in-
terest during the last decade, as they allow easy surface treatment/modification, are
generally transparent and biocompatible [5] and demonstrate suitability to meet some of
the industrial requirements for the LOC market [15]. In particular, thanks to their low
costs, they can be used for the fabrication of disposable microfluidic chips, opening a way
to a wide plethora of applications, ranging from mixing [16], sample preparation, and
analytical tools [17].

On the other hand, the possibility to switch from planar to 3D microfluidics has
emerged as a potential revolutionary technology due to the unique properties of these
miniaturized fluidic systems for their use in cell biology and on-chip chemistry to allow
innovative methods like droplet microfluidics [18] and on-chip cytofluorimetry [19]. The
innovation of 3D designs has gained significant attention and has been established as
an important tool for different laboratory applications [20–22], if the entire structure is
realized in transparent materials [23] and allows the real-time observation of phenomena
in different and separate microchannels at the same time in a single microscopic frame.

A particularly crucial element to shift standard assays to on-chip reactions are mi-
cromixers which have a wide range of bio-applications such as studies on living cells for
medical diagnostics, nanoparticles synthesis for chemistry, and biotechnologies analysis
like polymerase chain reaction (PCR) [24–26]. In this respect, many research groups have
focused their attention on this aim. Rasouli et al., as an example, designed and studied
a curved micromixer channel with obstacles, in order to create normal advection and to
generate Dean vortices through standard photolithography [27]. In that case, the patterned
PDMS was bonded with glass. Baccouche et al. realized another microfluidic mixing device
which is applied to the creation of droplets by mixing elements of two to four different
tubes [28]. In another very recent study, the authors described the design of a fluidic mixer
which utilizes air bubbles to facilitate mixing [4].

To combine the needs of robustness and reproducibility with the possibility to check
a complex experiment into a single device making use of 3D microfluidics, we realized
a stable, transparent and plug-and-play device made of PMMA, developed into three
different levels. The 3D micromilled microfluidic structure is based on a PMMA/PMMA
bond realized by a low-cost and easy process recently described to obtain a circulating
tumor cell (CTC) device in a planar system [17]. The resulting experimental system consists
of three PMMA substrates, all obtained by a micromilling machine with the following
components: (i) a downstream reservoir/mixing channel on the bottom to increase the
efficiency of diffusion, (ii) an upstream curved channel section, and (iii) a layer with an
inlet and an outlet on the top, holding holes for firm microtubes connection and not being
affected by pressure and flow strains, without the need for additional glues or gaskets
for watertight connections. The pivotal element of our device is the buried transition
region which creates a connection point between two of the three vertical layers by a hole
between two microchannels. Since our strategy is based on sealing patterned PMMA
substrates, a critical further step during the fabrication process was the bonding of the
microstructured substrates. The method applied is an innovative thermal and solvent-
assisted bonding, which makes use of low temperatures, low pressures, and a very common
solvent (isopropanol) to allow us to obtain strong adhesion among layers, resulting in
a monolithic structure with no wake points related to the typical sealing problems of
microfluidic devices. Indeed, glues, clamps, or additional luer fittings and gaskets are not
necessary for a watertight seal. Moreover, no burrs, cracks, or recast layers occur during
the bonding process, so neither the sealing procedure nor the transparency is affected for
microscope observation.

The realization of this tool is described in next paragraphs from CAD design, optimiza-
tion by the finite element method (FEM) simulation, prototyping, and final experimental
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tests obtained by the injection of colored liquids and differently labelled nanoparticles. 3D
microchannels were used in two-way flow directions to use the two shaped microchannels
(serpentine and reservoir), and this allowed us to prove the efficiency of the device for
further applications for gradient creation and mixing performance mimicking macroscale
turbulence [29,30]. The chip has the potential to be a tool for mixing with application
in chemistry and cell biology. In cell biology studies, such a device allows for the acti-
vation of normal fibroblasts by external stimuli to become cancer-associated fibroblasts
(CAFs) [31], the mixing of CAFs and associated tumor cells for interplay investigations, and
the immunomagnetic labelling of circulating tumor cells to enrich a diluted sample [32].
In biochemistry, the chip could be a valid alternative to prepare a low volume of par-
ticular drugs which need “on demand” or in-situ preparation (toxic or costly reagents)
to work with droplets [33], to perform digital PCR or to study protein–nanoparticles
interactions [34].

2. Materials and Methods

2.1. Materials

Fluidics and particle tracing of interconnected h-junction microchannels in three di-
mensions were simulated with Comsol Multiphysics 5.1 computational package (COMSOL,
Inc., Burlington, MA, USA), using a Computational Fluid Dynamics CFD module and
specifically “mixture model, laminar flow”. During the entire simulation, the particles’
diameters were defined at 200 nm and 1 µm.

For the fabrication of the device, we used 3 square PMMA substrates (Vistacryl CQ;
Vista Optics, Gorsey Lane, Widnes, Cheshire, WA8 0RP, UK), with both the length and
the width of 30 mm and a thickness of 1 mm for the substrates, which hosted micromilled
channels, and a thickness of 2.5 mm for the substrate, which served for the holes.

For microchannels bonding, we used pure isopropyl alcohol (Sigma-Aldrich, St. Louis,
MO, USA), and for microchannels functionalization, we followed a sequence of steps which
included O2 plasma surface treatment and the incubation of the device with 1 mg/mL
bovine serum albumin (BSA) (1%) in Phosphate Buffered Saline (PBS) buffer) (Sigma-
Aldrich, St. Louis, MO, USA).

The Elveflow microfluidic setup (Elvesys, Paris, France), which is suitable for these
kinds of studies, was installed for pumping the solution into the device. For image and
film acquisition, we used an Axio Zoom V16 fluorescence microscope (Zeiss, Oberkochen
Germany) with an Apo Z 1× objective. The eyepiece of the microscope was 10×/23Br, and
the numerical aperture (NA) was 0.25. The two validation tests were performed with fluo-
rescent polystyrene microspheres of 200 nm (green) and 1 µm (red) in size (FluoSpheres®

Fluorescent Microspheres, Invitrogen, Ltd. 3 Fountain Drive Inchinnan Business Park,
Paisley PA4 9RF, UK) for particles mixing, and ethanol (Sigma-Aldrich, St. Louis, MO,
USA) and colored ink for colored liquids mixing were used. The wavelengths of fluores-
cence microscope channels were set according to the nanoparticles’ provider, i.e., for green
particles, the excitation and emission maxima were 505 and 515 nm, respectively), and for
red particles, the excitation and emission maxima were 660 and 680 nm, respectively.

2.2. Computational Modeling, Fabrication, Functionalization, and Testing of the Chip

2.2.1. Modeling

The first step, in the scope of this work, was to model the device. To this end,
we designed a 3D network, consisting of two interconnected microchannels having two
independent inlets and sharing a common outlet. The COMSOL Multiphysics was then
used to simulate the fluidics and particle tracing and to evaluate the mixing response
of the interconnected microchannels. For the simulation, a free tetrahedral mesh was
used for the entire microchannels. For the boundary conditions, we selected identical
inlet velocities/flow rates, and zero static pressure was applied at the outlet. At the
channels’ walls, the applied flow condition was zero, and inside the network of channels,
we added water in all domains for species transport. Furthermore, we required the
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flow to be incompressible, steady and with no gravitational effects at all domains of the
design. As a next step, we set up all the necessary conditions for particles mixing by
selecting two different inlets and a common outlet and applying particle parameters from
standard polystyrene beads. We also took into consideration the drag and gravitational
forces. These conditions were kept constant during the whole simulation. After setting
the aforementioned parameters, we evaluated the performance of the design by firstly
checking the distribution of the flow at the domains of the design, but also the velocity, the
flow rate, and the pressure at the inlets, junction point, and the outlet. Finally, for particles
simulations, the results for both simulations, i.e., mixing two different kinds of particles
and diluting a specific number of particles, were satisfactory. The numerical model used
has been validated against a real system implementation.

2.2.2. Design and Fabrication

The bottom, middle and top layers with reservoir, serpentine and inlets/outlet holes
respectively were designed using Solidworks CAD software ( SolidWorks Corporation, 300
Baker Avenue, Concord, MA, USA), and computer-aided manufacturing (CAM) software
was used to transfer the CAD information in a machine code file for the micromilling
control. The Mini-Mill/GX micromilling machine (Minitech Machinery, Norcross, GA,
USA) was used to realize channels and inlet/outlet holes in the PPMA layer by a 200 µm
2-flute carbide micro end milling tool. To obtain channels with a 400 µm width, a 200 µm
height, and a good surface roughness, the feed rate was set at 150 mm/min with a spindle
speed of 20,000 rpm. The layers were aligned using an on-board camera.

2.2.3. Sealing

In order to assemble the device and to achieve a robust bonding between the PMMA
layers, it was necessary to deposit hot, pure isopropyl alcohol (70 ◦C) on a flat bottom
substrate for 10 s with a spin coater set at 2000 rpm. As soon as the bonding was established,
we used binder clips to make firm alignment and incubated it for 20 min at 60 ◦C, without
additional pressure in order to improve the bonding.

2.2.4. Functionalization

The PMMA substrates suffered from the high hydrophobicity of the surface. To miti-
gate this, right after assembling the PMMA slices, we treated them with O2 plasma, which
is a known method for improving surface wettability and for increasing hydrophilicity,
allowing for the easier flowing of the subsequent water-based solutions. All the steps
of functionalization and sample injection were performed directly in-flow, thanks to the
perfect fitting of the holes with capillary tubes, allowing for a plug-and-play way of using
the device. Tubes, indeed, were firmly connected, without the need for additional glues,
gaskets or clamps to ensure the watertight sealing of connections. The solutions were
then flowed into the capillary tubes and channels. To attenuate any unspecific sticking of
fluorescent polystyrene particles on the PMMA channels surface, we incubated the chip
with a blocking buffer (1 mg/mL BSA in PBS) for 2 h at room temperature.

2.2.5. Experimental Tests

To evaluate the microfluidic device, we implemented two kinds of experiments for
mixing and gradient generation with both colored fluids and particles. In addition, in
some cases, we used on purpose the outlet as an inlet to test the influence of different path
lengths and shapes of the microchannels on the mixing capabilities of the device.

During the first series of the experiments, we used two different colored liquids, which
were loaded into the capillary tubes to be injected on the top (serpentine) and the bottom
(reservoir) channels simultaneously. For the second series of the experiments, we injected
two kinds of particles, that is, one had a diameter of 200 nm and the other had a diameter
of 1 µm. This allowed us to observe the mixing behavior of liquids and particles. Both
experiments were performed at different flow rates. To deliver the sample into the device,
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we connected the device to the Elveflow microfluidic setup by utilizing perfectly fitting
capillary tubes with micromilled shaped inlets and outlets in both cases. The Elveflow
micropumping system was equipped with an OB1 base module, two MkIII+ channels for a
pressure controller, and two microfluidic flow sensors. With this microfluidic system, the
flow of the medium can be controlled temporally. During the experiments, the two inlets
were connected with a vial containing the particles samples. Subsequently, the microchip
was positioned under the microscope for monitoring, and the result was validated with
real-time image acquisition.

3. Results

3.1. Verification of the Numerical Model

The conceptual design of the 3D microfluidic tool has been the first step of our work.
The innovative features that were required for our device led us to investigate the fluidic
parameters at stake before planning the final architecture. To this end, finite element
simulations were conducted to predict the performance of a 3D fluidic micromixer under
two different regimes, i.e., mixing and dilution of particles. The design of the interconnected
channels and the simulation results for the mixing index are given in Figure 1. In order
to have a better insight on the performance of the mixing design, the flow behavior was
investigated. Figure 1a reports the velocity distribution of the proposed design, showing a
maximal flow at the point where the two channels meet and a minimal flow originated from
the inlets till the junction point. At the channels side walls, the velocity was infinitesimal.
Furthermore, Figure 1b shows the levels of the pressure at the entire network. In our
design, the pressure strength was reduced from the channels connection point toward the
common outlet, which was expected due to the inverse proportion to the velocity. The flow
rate, which is relative to the velocity, was calculated through the given equation:

Q = Aū (1)

where Q is the flow rate, A indicates the cross-sectional area, and ū is the average velocity.

μ

ū𝑄 ū

 

Figure 1. Finite element method (FEM) simulation of flow velocity (a) and pressure (b) in a two-level interconnected
microchannel system.

Hence, for each experiment, i.e., mixing and diluting, we performed a sequence of
simulations where we tweaked the values of some parameters in between. These param-
eters included the flow rate and the pressure. For the mixing experiment, a suspension
of particles with sizes of 1 µm and 200 nm was injected in both inlets, respectively, and
the values of flow rate ranged from 1 mL/min up to 5 mL/min between each iteration
(Figure 2a–d). The resulting product was a mix of the two populations as expected in the
range time of 0–67 s.
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Figure 2. Frames of the simulation of particles mixing into three-dimensional (3D) microchannels from the starting point at
t = 0 s (a), 23 s (b), 37 s (c) to 67 s (d) when particles are completely mixed.

To simulate the dilution experiment, we replaced the solution in one of the inlets with
water. In Figure 3, it is reported that the particles approaching the outlet were indeed
compelled to be diluted due to the presence of water on the bottom channel. Videos
showing simulated behaviors for both particles mixing (Video S1) and dilution (Video S2)
are provided in Supplementary Materials.

μ

 

μ

Figure 3. Frames of the simulation of particles dilution from the starting point at t = 0 s (a), 26 s (b), 46 s (c), 61 s (d) to 73 s (e).

3.2. Design and Fabrication of the LOC Device

In order to verify the accuracy of our numerical model in predicting the mixing
process, a real mixing chip was fabricated. Selecting the proper design parameters that
have the greatest influence on the mixing quality is a crucial issue for a chip made on
purpose. As a first step in the realization of the device, we designed the CAD file of its
elements, which was then transferred in machine code to the fabrication instruments used.
Figure 4 schematically illustrates the proposed geometry. In particular, with the aim to
have a structure which could be useful for both kinds of experiments, namely mixing and
dilution proofs of concepts, we decided to consider a reservoir chamber in the bottom
channel and a serpentine-shaped top pathway. Therefore, the entire device was constituted
by a three-level structure: a reservoir-shaped channel in the first, a serpentine-shaped
channel in the central, and three holes as inlets and outlet in the top layer. The three layers
were separately micromilled using a mechanical micromilling machine mounting a 200 µm
tool, by carefully considering alignment markers on the three layers. The length of the
serpentine was of around 7 cm organized in 6 loops; the total length of the bottom channel
was of around 5 cm, and the diameters of the oval reservoir were of 2 and 4 mm; the
common portion ran for 1.5 cm. The substrate containing the serpentine-shaped channel
held a through-hole to obtain the buried junction between the channels and to allow a 3D
microfluidic pathway. The holes in the upper layer were shaped to host the capillary tubes
to allow for a plug-and-play connection ensuring tight connections.
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Figure 4. Exploded structure of the 3D microfluidic tool for the mixing and dilution of particles. The
three layers (bottom, central, and top) hold the reservoir-shaped channel, the serpentine-shaped
channel with a through-hole, and the inlets and outlet (indicated by A, B, and C), respectively.

3.3. Bonding and Functionalization of the Device

Once the PMMA layers were fabricated, as a first step, we bonded together the
substrates with microchannels; then on the top of them, we placed the slice with the holes,
following the alignment scheme described above. The sealing approach used in this work
was a thermal- and solvent-assisted bonding method, where hot isopropyl alcohol was
spin-coated on the surfaces of the first two substrates. Then, the wet substrates were
quickly aligned and firmly pressed with binder clamps. Finally, shortly after, the assembled
PMMA slices were put in an oven, providing at the end of the procedure an irreversible
bonding, which was solely based on this easy technique [17]. The same procedure was
then reiterated to align the substrate with the holes to the former two. At the end of the
procedure, the device resulted in a stable monolithic chip, with buried channels and an
interconnection hole and with the inlets and outlet on the upper layer.

After assembly, the device underwent the O2 plasma treatment to improve hydrophilic-
ity of the PMMA channels. Finally, we connected the device to the Elvesys micropumping
system with the capillary tubes to test the bonding quality and the leakage of the chip by
systematically increasing the pressure from 10 to 800 mbar while performing the monitor-
ing via an optical microscope. We performed the in-flow functionalization with BSA to
avoid polystyrene particles to stick on the channels wall and to maintain the hydrophilicity
through time [35,36].

3.4. Mixing and Gradient Generation Experiments

With highly efficient mixing of different elements being the ultimate goal, the mi-
cromixer was tested by performing a flow test. In Table 1, a summary of the experiments
we performed is reported, and the holes (A, B, and C) were used as inlets or outlets.

Table 1. Scheme of experiments based on the alternative use of holes as inlets/outlets combined with
the injection of colored fluids or fluorescent particles suspensions.

Holes Mixing Experiment Gradient Generation

Colored
Fluids (#1)

Colored
Fluids (#3)

Particle
Suspension

(#4)

Colored
Fluids (#2)

Particle
Suspension

(#5)

A in In in in out

B in Out in in In

C out in out out in
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First and foremost, we decided to visualize the mixing behavior by using two different
colored liquids. This first attempt (experiment #1 according to the scheme in Table) can
reflect the fitness of the device. Flow tests were carried out using the Elveflow microfluidic
setup. Once the capillary tubes were filled with the colored liquids, we injected them
through the inlets, following the filling of microchannels by an Axiozoom microscope. In
order to make the two fluids contemporarily reach the common portion of the channel
and to obtain a chaotic particle motion at the mixing point [29], we initially set the flow
parameters at 3 µL/min.

Based on different resistances and velocities of the flow (due to the different shape
of the microchannels and different numbers of 90◦ bends of the two paths), we carefully
tuned the parameters during the experiments. The long way the fluid went along, together
with the large field of view of the microscope (around 10 mm) allowed us to keep eyes on
the channel filling, and we reached the optimized control and mixing capabilities at a flow
rate of 2.08 µL/min and a pressure of 42.80 mbar for channel 1 (serpentine) and at a flow
rate of 1.65 µL/min and a pressure of 63.08 mbar for channel 2 (reservoir). The Figure 5a
illustrates an overall picture of the microfluidic chip during the in-flow test we executed,
in which we can observe also by naked eye that the injected pink and blue fluids resulted
in a violet mixed color at the outlet. Apart from that, a more clear image obtained by the
microscope is shown in Figure 5b.

μ
μ

 

Figure 5. (a) Picture of the experimental setup for experiment #1. The blue drop emerging from the
outlet of the assembled and connected device is clearly visible as a result of the mixed pink and blue
fluids. (b) Image of the separate and common pathway taken through the microscope. Scale bar:
1 mm.

The pink solution was infused in the upper serpentine channel, and the reservoir was
filled with the blue one. In Figure 5b, it was vividly observable that each liquid followed
its separate path and that eventually they merged at the meeting point as expected. The
buried hole (indicated by the red arrow) was where the two fluids intersected and the
common path began, corresponding to the very last portion of the serpentine. After that
point, the two colors of the fluids were not distinguishable anymore, as they merged and
turned violet.

Moreover, to test the capability of the device in a laminar fluid regime, we tuned the
flow rate of the channels by enhancing in turn the two channels and making the pink or blue
ink prevail on the other (experiment #2, Figure 6), resulting in a gradient generator tool.
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Figure 6. (a–d) Sequence of the pink or blue prevalence if the laminar flow is produced instead of mixing in experiment #2.
Scale bar: 1 mm.

To demonstrate the mixing capabilities of the apparatus in a longer pathway, we
switched positions between one inlet and the outlet, making the serpentine channel work
as a mixing channel (Experiment #3, holes A and C as inlets). In this case, we filled the
serpentine channel with pink fluid injected from hole C, and we made the blue fluid
arrive from the reservoir channel (hole A) to the interconnection hole, in order to reach the
serpentine channel. The results are demonstrated in Figure 7, in which the pink solution in
the serpentine channel started to fade after being mixed with the blue liquid and showed a
transient color switch to violet. The same procedure can be applied utilizing the reservoir
channel as a mixing channel (holes B and C as inlets).

the reservoir channel as a mixing channel (holes B and C as inlets). 

 

μ

Figure 7. (a–d) Mixing capabilities of the serpentine-shaped channel introducing pink ink from the hole previously selected
as an outlet in experiment #3. Scale bar: 1 mm.

After having tested the device for watertightness and mixing capabilities, we pro-
ceeded to the second phase of the experiments with the particles mixing experiment
(experiment #4). We injected a suspension of 9.1 × 105/mL green fluorescent polystyrene
particles of 200 nm in size to the reservoir channel through hole A and 7.2 × 105/mL of
1 µm particles to the serpentine channel through hole B and recorded the normal flow with
a fluorescent microscope. As can be seen, while the two flows were activated independently,
the particles were clearly separated and they can be observed contemporarily in a single
microscope frame. Green fluorescence can be detected only in the bottom channel, while
red fluorescence was observed only in the upper one without moving the device (Figure 8).

It is worth noting that consecutive experiments were executed in a wide range of flow
rates, in order to test the mixing performance. Since a mutually proportionate flow rate
in the channels is important, each change of the flow in a channel was accompanied by a
corresponding pressure compensation of the other channel, due to the higher resistance at
the serpentine path. The injections of the particles were performed with a flow rate and a
pressure of 2.13 µL/min and 26.42 mbar, respectively, in channel 1 (serpentine, red particles)
and with a flow rate and a pressure of 1.46 µL/min and 39.52 mbar, respectively, in channel
2 (reservoir, green particles) stabilized to contemporarily reach the common portion of the
channel. The path of particles was followed in real time under the microscope, and some
pictures were captured in consecutive moments immediately soon before and after the
mixing point (Figures 8 and 9).
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μ

 

Figure 8. Experiment #4: merged image taken under a fluorescence microscope with subsequent
fluorescence switching focused on the bottom reservoir channel (excitation/emission: 505/515 nm)
filled with red nanoparticles (a) and the upper serpentine channel (excitation/emission: 660/680 nm)
filled with red nanoparticles (b).

μ
μ

 

Figure 9. (a,b) Snapshot of the mixing point obtained by red and green fluorescence channels during experiment #4. The
presence of red particles was clearly visible, while few particles were detected in the bottom and emerging flow. (c) Merged
image of red and green channels.

The results of this mixing test are illustrated in Figure 9a–c, where the particles
seemed to be mixed while moving from their individual channels to the common one.
Figures 9a–c and 10a–c were acquired by selecting separately red and green fluorescence
channels with the microscope and subsequently applying the “merge” command. In this
way, we can very easily distinguish both streams of particles (green and red) arriving the
common channel from their individual paths.

μ
μ

 

Figure 10. (a,b) Snapshot of the mixing point obtained by red and green fluorescence channels during experiment #4. The
presence of red particles was clearly visible in the top serpentine layer, while in the bottom channel the amount of green
particles was increased with respect to Figure 9b. (c) Merged image of the two fluorescence channels confirming the mixed
particles solution in the common path.
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Concretely, a comparison of Figure 9 with Figure 10 can aid to clarify that in the first,
the particle mixing was just ignited since the presence of green particles was meager. In
contrast, in Figure 10, we can see that a significant number of both particles were detected.
This verified the mixing efficiency that needed to be met.

Further examination of the adoption of the device as a gradient generator tool was
held using fluorescent particles (experiment #5). To this end, one channel was maintained
with full of particles injected from the inlet of the reservoir channel (hole A); pure water
was instead injected from hole C (previously considered as an outlet), running through the
serpentine channel reversely. During this experiment, the same procedure was repeated
to keep the water flow constant (around 7 µL/min with a pressure of 50 mbar) and
gradually diminishing the particles flow between the iterations, in order to obtain a gradient
generator. The values of the flow rates and the pressure for particles injection ranged from
7 µL/min (around 50 mbar) down to 1 µL/min (20 mbar) with steps of around 1.5 µL/min.
Figure 11 depicts the progressive dilution of the particles. Specifically, in Figure 11a, the
concentration of particles (initial concentration of 7.2 × 105/mL) was at the highest level,
while we kept an equal flow rate for both solutions. Subsequently, a gradual decrease of
particles concentration was observed, when we tuned the flow to reach the lowest-value
set (Figure 11b,c). In this way, the collected fraction emerging from the outlet gradually
diluted the suspension of particles from the first to the last. The final step tested was
the complete stop of the particles channel (flow 0), which led to a fraction including
the particles remaining in the channel and a progressive removal of unspecific adhered
polystyrene beads.

μ

μ μ
μ

 

Figure 11. Experiment #5: on-chip particle dilution sequence. (a) The flow rates for particles and water injection were quite
the same, and a high number of particles and associated fluorescence were clearly visible at the reservoir channel. (b,c) The
flow rate of the particles was decreased, while keeping the water flow rate constant.

4. Discussion

Most major microfluidics applications demand quicker mixing, high accuracy, and low
reagent volume. However, microfluidics and especially micromixing have not reached that
level of efficiency yet. Recently, there has been an emergence of 3D microfluidic designs
which promise to tackle these issues and streamline micromixing. Apart from that, 3D
designs improve the mixing process and the possibility to perform high throughput tests:
one device can be used for several parallel experiments. These are the reasons why we
were encouraged to take advantage of this potential and designed and manufactured a
PMMA microfluidic mixer.

In the present study, we firstly simulated the performance of an innovative 3D mi-
cromixer and then tested and ratified the modeled approach experimentally. This allowed
us to identify weak points of the conceptual design and to understand how to modify the
workflow in order to obtain the end-point results of our LOC tools.

In order to move into a real experimental setup, we used microfabrication by mi-
cromilling technology on PMMA substrates. Taking advantage of this highly flexible
fabrication method, we were able to perfectly tune the design and to decide the best ar-
chitecture for minimizing the limitations of the geometry, since it allows us to generate

23



Micromachines 2021, 12, 104

any feature or shape. In the right range of dimensions, micromilling has been proved to
hold better performances in comparison with other fabrication methods. For example,
photolithography, which is a multistep process, is almost impossible to execute without
using a brand new master, which can limit the options at the prototyping phase. A de-
vice of a few square centimeters (3 × 3 cm2) fabricated with high precision (the channel
width of 400 µm in this case), short processing time (it takes few minutes for micromilling
single layers) and relatively low costs is desirable, as PMMA substrates are among the
cheapest materials for the purpose. Besides its great mechanical properties, transparency,
low toxicity, biocompatibility, preserved stability throughout all the experiments, and the
possibility to use a well-established technique for bonding multilayers PMMA gave us
also the possibility to obtain a robust and reproducible monolithic device, featuring all
the characteristics required to obtain 3D microfluidics. In particular, our device consisted
of three overlapped and sealed layers. The strong point of the tool is that the lowest
reservoir-shaped channel and the central serpentine ran separately for the most of their
course but at a certain point they were interconnected by a through-hole, resulting in the
realization of a common portion of the channel, which was able to host mixing reactions.
To complete the architecture of the 3D device, the third top layer was assembled to ensure
the inlets and outlet connections and micromilled to perfectly fit with the tubes without
the need for any additional procedures to achieve watertight experiments.

Once assembled, the device was successfully used as a mixing and dilution tool for
easy integration on LOC systems. Moreover, the perfect transparency of our tool allows the
contemporary observation of separate events happening in the two channels, with a single
microscope observation. In the proposed configuration, the two pathways exploit the same
area to run, but they are separated for the most of their lengths. The design and geometry of
the channels can be easily modified on the basis of the selected application. This enables the
user to perfectly monitor the inner of the channels, without moving the device or loosing
the point of view to check alternatively two (or more) different behaviors. To demonstrate
this, we used two differently labelled particles suspensions, injected into the two buried
microchannels, and we were able to follow the two populations by simply shifting the
fluorescence channel of the microscope. Mixing and gradient generation experiments were
performed firstly using colored fluids to check the flow capabilities and mixing properties
of the buried interconnected channels, and after we tested the mashing of the fluorescently
labelled polystyrene nanoparticles, a highly efficient mixing was obtained, as demonstrated
by fluorescence analysis.

In the first case, we were able to finely tune the flow and velocity of the two channels
in order to obtain a complete mixing of the two colored fluids or alternatively, to maintain
a laminar flow. Moreover, reversing the flow by connecting the tube from the outlet hole,
we were able to make the serpentine channel as a mixing channel, in order to exploit a
longer path for mixing.

After establishing flow rates and pressure conditions for colored fluids, we started
dealing with particles. We injected a suspension of 9.1 × 105/mL of green particles in
the bottom reservoir-shaped channel and a suspension of 7.2 × 105/mL of red particles
in the serpentine-shaped channel. We firstly tested their presence in channels running
separately till the connection hole, where the particles were forced to mix running through
the common portion of the 3D microchannels. Thanks to the complete transparency of the
device, we were able to follow the entire experiment under a microscope and obtain good
fluorescence pictures without any interference with the PMMA multilayers.

Finally, to prove the effectiveness of our device, we provided experimental conditions
for diluting particles and creating a gradient of concentration and used the bottom reservoir
channel as a mixing chamber for water and particles. We injected particles and water,
maintained a constant water flow and decreased the flow rate of particles from 7 µL/min
to 0 µL/min with steps of 1.5 µL/min. The collected fraction from the device’s outlet was
gradually more diluted over time. Based on the results of the experiments as proofs of
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concept, we showed that the apparatus can indeed host the expected functionality while
maintaining high efficiency and accuracy.

This also proves that this LOC device’s architecture could be considered a valuable
tool for a plethora of applications that require high mixing efficiency and has the potential
for integration into portable systems as well. Moreover, the high stability and robustness
of the assembled device make it suitable for the on-demand mixing functions (mixing and
labelling cells and nanoparticles, mixing drugs which are forced to be prepared “near-the-
bed”, etc.) and can enable standard microfluidic connections to be promptly merged for
simple plug-and-play LOCs.

5. Conclusions

LOCs, defined as devices which include multiple laboratory features within a few
square centimeters, have the breakthrough potential for radically changing traditional
methods in various fields of chemistry, environment, and life sciences [37–39]. Rapid
prototyping methods to design and realize polymeric LOCs are on the rise, as they allow
high flexibility and precision. The fabrication of a microfluidic platform, for example, may
require optimization steps in order to continuously tune the architecture and geometry
on the basis of the need for handling and observation. The only way to meet these needs
and allow the best experimental practice is the use of easy controllable methods of fab-
rication and low-cost materials. In our research activity, we optimized the realization of
microfluidic tools, from the CAD design to the LOC application. In particular, we explored
the possibility to obtain monolithic 3D structures with buried running channels, starting
from separately microfabricated PMMA layers. In a previous study, we introduced an
approach to fabricating interconnected multilevel channels for passive separation. In that
work, we discussed the realization of a multilevel/3D device by using layers of LOR
and SU-8 photoresists in combination with PDMS. The device, designed for biological
applications, consists of two vertically stacked U-shaped channels, which share a central
segment obtained by a multistep optical lithography process including a sacrificial layer
modified by chemical reactions [40]. Motivated by further improving multilayer stability
and fabrication processes and using materials suitable also for industrial exploitation [41],
herein we demonstrate and test a novel, reusable 3D microfluidic device, in which the key
characteristic is the inclusion of microfabricated PMMA substrates to obtain a structure
that can work as an efficient micromixer or a gradient maker tool for LOC integration. The
selection of PMMA as a rough material for LOC development derives from its suitability for
milling molding and for biological applications, due to its mechanical and chemical charac-
teristics, e.g., good thermal stability, transparency, chemical inertness, and biocompatibility.
The multilayer structure has been assembled through a facile and low-cost solvent-assisted
method. The obtained device showed increasing complexity and has been demonstrated to
work with two different functions: mixing and obtaining of gradients into microchannels,
which would take advantage of all the properties that 3D PMMA can offer. The realization
of this technology expands on also the possibility of real-time observation, thanks to the
complete transparency of the overlapped layers. Further improvements and envisioned
applications examples would be cell labeling, a mix of two different kinds of cells in a
specific ratio, or even dilution of cells for counting.

Supplementary Materials: The following are available online at https://www.mdpi.com/2072-666
X/12/2/104/s1, Video S1: “Particle mixing”; Video S2: “Gradient generator”.
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Abstract: We show that by combining deterministic lateral displacement (DLD) with electrokinetics,
it is possible to sort cells based on differences in their membrane and/or internal structures. Using
heat to deactivate cells, which change their viability and structure, we then demonstrate sorting of a
mixture of viable and non-viable cells for two different cell types. For Escherichia coli, the size change
due to deactivation is insufficient to allow size-based DLD separation. Our method instead leverages
the considerable change in zeta potential to achieve separation at low frequency. Conversely, for
Saccharomyces cerevisiae (Baker’s yeast) the heat treatment does not result in any significant change
of zeta potential. Instead, we perform the sorting at higher frequency and utilize what we believe
is a change in dielectrophoretic mobility for the separation. We expect our work to form a basis
for the development of simple, low-cost, continuous label-free methods that can separate cells and
bioparticles based on their intrinsic properties.

Keywords: electrokinetic deterministic lateral displacement; charge-based separation; dielectrophoresis

1. Introduction

While standard cell sorting schemes rely on labelling and molecular recognition
events, cells have important properties for which there exist no labels. This has driven
the development of microfluidics-based label-free techniques that exploit cells’ intrinsic
physical properties for fractionation. The targeted properties can be size [1–5], shape [6,7],
compressibility [4], dielectric properties [8], or any other physical characteristic, which can
be used as a handle to apply a separating force.

Dielectric and electrokinetic properties of the cells can be strongly affected by changes
of the structure of the cells [9] (see Figure 1). Dielectrophoresis (DEP) is a well-established
technique that can be used to target these types of changes. It is based on the movement
of particles along an electric field gradient due to their dielectric properties [10,11]. The
sign of the force depends on the difference between the polarizability of the particle
and its surrounding medium. The particles may thus experience a force towards higher
electric fields (positive DEP) or towards lower electric fields (negative DEP). Adjusting
the frequency of the applied electric field, the force can be tuned and made sensitive to
the desired types of changes of the particles of interest. One common way to change the
structure of cells is heat treatment. It is known to impart structural changes to the membrane
and cell wall as well as internal components affecting the viability of yeast [12,13] and
bacteria [14,15], with important implications for the food industry. DEP has, therefore, been
found useful to characterize heat-treated cells with respect to viability. Pohl and Hawk
published a pioneering paper in 1966 showing the ability to separate live yeast cells from
stained dead cells using DEP with a simple device consisting of two macroelectrodes inside
a PMMA (polymethyl methacrylate) fluid chamber [16]. Markx et al. showed similar results
but with more sophisticated devices featuring castellated microelectrodes deposited at the
bottom of a microfluidic chamber [17,18]. By adjusting the frequency of the AC voltage
applied between adjacent electrodes and switching the flow and voltages, the authors
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implemented a trap and release separation scheme. Trapping of viable and non-viable
Escherichia coli bacteria using DEP in insulating array structures has also been reported [19].
Here, electroosmosis was used for flow, and live/dead bacteria were trapped at different
positions in the insulating array using DC-DEP and a difference in their DEP mobility. Not
only DEP but also other types of electrokinetic forces can be leveraged for particle sorting.
We showed recently, how zeta potential can be used as a basis for sorting of particles of
different surface charge [20].

Figure 1. An overview of typical structural changes that occur as a consequence of heat treatment.
Here, the cell is a gram-negative bacteria, but similar mechanisms occur in other cell types. Structural
changes of a cell are reflected in its dielectric and electrokinetic properties due to, e.g., changes in the
conductivity of the membrane, the charge of membrane, and aggregation of protein. Schematics are
based on descriptions of heat-induced changes in [9,15].

In this work, we will use untreated and heat-treated Escherichia coli and Saccharomyces
cerevisiae as model systems for cells with different internal structure to demonstrate the
capabilities of a combination of electrokinetics and deterministic lateral displacement (DLD)
to sort cells.

DLD is a powerful mechanism for sorting particles based on size [2]. Among the
strengths of DLD are that it is continuous, making it suitable for integration with other
methods (see the CTC-iChip [21]), it has high size resolution [2], and has been demonstrated
to work for a wide range of particle sizes, from millimeters [22] to nanometers [23]. As a
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result, DLD has been employed in various microfluidic devices to sort a wide range of cells
and bioparticles, i.e., white blood cells from red blood cells and plasma [24–26], circulating
tumor cells from blood [27,28], and trypanosomes from blood [29,30].

The basic mechanism of DLD is described in Figure 2. Particles move through the
array in one out of two basic modes governed by steric interactions with the posts in the
array, small particles following the flow in the zigzag mode and large particles deviated
laterally according to the array geometry in the displacement mode. The threshold dia-
meter between the two modes is called the critical diameter, which can be estimated by an
empirical formula presented by Davis [31]:

DC = 1.4GN−0.48. (1)

Here, G is the gap between adjacent pillars and N is the period of the pillar array, the
number of rows along the flow direction after which the array repeats itself.

Through additional force interactions between the posts and the particles, the device
can be made more versatile. Electrostatic interactions between particles and posts have been
exploited as a means to bias the DLD and make it sensitive to the charge of particles [32].
Another approach is to add electric fields to the device so that electrokinetic forces affect the
sorting, opening up for tunability and more specific sorting [33]. The approach is known
as electrokinetic DLD (eDLD), and we will apply it here as described recently [20].

Figure 2. Working principle of deterministic lateral displacement (DLD). (a) An array of pillars tilted with an angle splits a
mixture of particles into different trajectories based on size. At the end of the array, the different-sized particles (green and
red) exit at different lateral positions and are collected into different outlet reservoirs. (b) Simulated flow streams within a
DLD array, showing zigzagging patterns. (c) Mechanism of sorting: steric interactions between particles and posts cause
particles to change flow streams in a size-dependent manner that leads to separation. (d) In an electrokinetic DLD device,
electrokinetic forces act on the particles in addition to the steric forces, modifying separations.
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2. Materials and Methods

2.1. Devices and Experimental Setup

The DLD devices were cast in polydimethylsiloxane (PDMS) using replica mold-
ing [34]. Details can be found in Table S1, Supplementary Information. We have used two
types of designs: Analytical devices (Figure 3a and Table 1) and Sorting devices (Figure 3b
and Table 2). In an Analytical device, only a narrow, single stream of sample is allowed
to enter the DLD array and is buffered on two sides. The particles in the sample are
separated as they travel along the array before entering a single outlet reservoir. The
lateral positions of the particles are analyzed at the observation windows at the beginning
and at the end of the array. In the second type of device, the Sorting device, the input
sample stream is much wider to increase throughput. At the outlet side, there are several
output reservoirs collecting particles that are displaced by different amounts and that can
be counted externally.

Figure 3. Details of the devices and the experimental setup. (a,b) Two types of designs used. (c) Side view of a device and
the experimental setup, with pressure and electrical connections. (d) SEM images of the DLD array of Sorting device #1,
which is representative for all devices used in this work.
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Table 1. Analytical deterministic lateral displacement (DLD) devices. Critical diameters, DC, are
nominal values given based on the geometry of the devices and Equation (1). Channel lengths
are 4.25 ± 0.25 mm. The deflection width is approximately 425 µm corresponding to 85% of the
device width.

Device Name Gap (µm) N DC (µm) Deflection, θ Cell Type

Analytical device #1 4 10 1.9 5.71◦ E. coli
Analytical device #2 10 10 4.6 5.71◦ Yeast
Analytical device #3 11 10 5.1 5.71◦ Yeast
Analytical device #4 12 10 5.6 5.71◦ Yeast

Table 2. Sorting devices used for E. coli. The trajectories for the large particles (displacement mode) are illustrated through
four different numbers: critical diameter, deflection angle, absolute deflection, and relative deflection. Critical diameters,
DC, are nominal values given based on the geometry of the devices and Equation (1).

Device Name Gap (µm) N DC (µm)
Channel

Length (mm)
Deflection θ

Deflection
(µm)

Deflection/Channel
Width

Sorting device #1 4 23 1.24 9.5 2.49◦ 400 86%
Sorting device #2 3 50 0.64 22.9 1.15◦ 450 86%

The setup of an experiment is shown in Figure 3c. The device was placed on the stage
of an inverted microscope (Nikon Eclipse TE2000-U, Nikon Corporation, Tokyo, Japan). At
inlet reservoirs, an overpressure (1–100 mBar) was applied via a pressure controller (MFCS-
4C, Fluigent, Paris, France). Together with the pressure, a voltage was applied between
inlet and outlet reservoirs via platinum electrodes in the reservoirs. A function generator
(33120A, Hewlett Packard, Palo Alto, CA, USA), in combination with a high-voltage
amplifier (Bipolar Operational Power Supply/Amplifier BOP 1000M, Kepco, Flushing,
NY, USA), or a high-frequency amplifier (WMA-300, Falco Systems, Amsterdam, The
Netherlands) were used to provide the required signals. The voltage was confirmed with
an oscilloscope (54603B 60 MHz, Hewlett Packard, Palo Alto, CA, USA) via a 1x/10x probe
(Kenwood PC-54, 600 Vpp, Havant, UK). The experimental image stacks were captured
with a monochrome Andor Neo sCMOS camera (Andor Technology, Belfast, Northern
Ireland) or a color camera (Exmor USB 3.0, USB29 UXG M, Sony, Tokyo, Japan). The stacks
were then analyzed using FIJI (ImageJ 1.52f, National Institutes of Health, Bethesda, MD,
USA) and MATLAB (MathWorks, Natick, MA, USA). To measure the conductivity of the
media, we used a conductivity meter (B-771 LAQUAtwin, Horiba Instruments, Kyoto,
Japan). The zeta potentials of cells were measured with a Zetasizer NanoZS instrument
(Malvern Instruments, Ltd., Worcestershire, UK).

2.2. Data Analysis

For both S. cerevisiae and E. coli, sorting performance during an experiment is assessed
by comparison of lateral positions of cell populations at the beginning and at the end
of the DLD array. The degree of displacement is given as the number of gaps from one
side to the other at the end of the device. Particles that follow the flow exit at low gap
numbers, and particles that are displaced exit at high gap numbers. However, when
plotting the results, we convert the gap numbers to percentages (0%: no displacement,
100%: maximal displacement) as this makes it easier to compare results from devices with
different numbers of gaps. The particles are counted in two ways. Manual counting, cell
by cell, is accurate but can be labor intensive. This method was performed for the yeast
cells, which are nonfluorescent. For the cells that are fluorescent (viable/non-viable E. coli),
the fluorescence intensity is used as well to deduce the numbers of particles, which we will
refer to in the plots as inferred counts. More details of the image processing can be found
in Figure S1 of the Supplementary Information.
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In the experiments with E. coli where the bacteria were sorted into different outlet
reservoirs, the numbers of viable and non-viable cells recovered from the sample and the
outlet reservoirs were evaluated. First, the recovered suspension from each outlet reservoir
was pipetted into a centrifuge tube and concentrated by centrifugation. After that, the
concentrated suspension was pipetted on a microscope slide, covered, and sealed with a
cover slip. The cells were then imaged and counted to give the ratio of viable to non-viable
cells.

2.3. Sample Preparation

We use bacteria and yeast cells as model systems to demonstrate proof of principle of
our devices. Key information about the cells can be found in Section 3 of the Supplemen-
tary Information.

Green fluorescent Escherichia coli (2566/pGFP) (approximately 1.5 µm × 3 µm) were
cultured and stored at −80 ◦C in culture medium with 20% w/v glycerol. Prior to experi-
ments, the bacteria were allowed to thaw at room temperature. The concentration of the
bacteria was measured at 8.2 × 108/mL, using a DMS cell density meter with 600 nm light
(DMS-cuvette, LAXCO Inc., Bothell, WA, USA). The bacteria were then spun down and
suspended in running medium (KCl + 0.1% w/v Pluronic® F127, σ = 20, 100, or 500 mS/m)
at the same concentration. Half of the sample was kept at 70 ◦C for 20 min to kill the cells
and then both halves were stained with propidium iodide (PI) (Sigma-Aldrich Sweden AB,
Stockholm, Sweden) at a concentration of 20 µg/mL for 5 min. Propidium iodide is a dead-
cell stain, which can penetrate compromised cell membranes. Viable E. coli bacteria will
appear green due to the GFP, prior to and after PI staining. The heat-treated E. coli bacteria
will appear dark prior to PI staining and orange after PI staining (using our microscope
setup), enabling viable and non-viable heat-treated cells to be distinguished. The staining
revealed that, prior to running experiments, in the “viable” population, around 80–90%
of the cells were actually viable and in the heat-treated “non-viable” population, around
90–95% were actually non-viable.

Baker’s yeast cells (Saccharomyces cerevisiae) (D ~ 4.5 µm) in dry form (Jästbolaget
AB, Sollentuna, Sweden) were suspended in glucose 5% w/v and heated up to 32 ◦C in a
well-ventilated tube for 30 min, for activation. Half of the sample was then heat treated
at 62 ◦C for 15 min to kill the cells. The viable and heat-treated samples were mixed at a
ratio of 1:1 and stained with Trypan Blue at a concentration of 0.2% w/v, for 5 min. Trypan
Blue is a common dead-cell stain, which permeates compromised cell membranes, leaving
the non-viable cells dark blue and enabling viable and non-viable cells to be distinguished
from one another. The mixed sample was then washed several times with the running
media, consisting of KCl at different conductivities and 0.1% w/v Pluronic® F127. The
staining revealed that, prior to running experiments, in the “viable” population, around
70% of the cells were actually viable and in the heat-treated “non-viable” population, more
than 90% were actually non-viable

3. Results and Discussion

We first characterize the different cell types with respect to size and zeta potential.
See Table S2 in the Supplementary Information. Different experimental parameters are
then explored by testing devices with different critical sizes, and different combinations
of applied pressure, applied voltage, frequency of the applied voltage and conductivity
of the buffer. Finally, we show that we can sort the E. coli with respect to zeta potential
and, by selecting slightly different experimental conditions, the yeast based on what we
believe is DEP. Estimated throughputs and Péclet numbers are given in Table S3 of the
Supplementary Information.

3.1. Sorting of Viable/Non-Viable E. coli

We measured the size of rod-shaped E. coli (~2.5 µm × 1.5 µm, Figure S2, Supple-
mentary Information) and found that the size differences between viable and non-viable
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bacteria are negligible. It is, therefore, not possible to separate them by size. We could, how-
ever, measure a significant change in the zeta potential (approximately −42 and −34 mV
for viable and non-viable bacteria, respectively) using the Zetasizer™.

To find optimal experimental conditions for sorting the two different cell states, we
started by selecting a suitable device. Sorting device #2 (DC = 0.64 µm) was found to have
a too small critical diameter to function (Figure S3, Supplementary Information). Viable
and non-viable cells had overlapping distributions at the end of the device and both were
in displacement mode even when no voltage was applied. With an applied voltage at 1 to
10 Hz, displacement increased and overlap remained.

We, therefore, shifted to Sorting device #1 (DC = 1.24 µm), where both viable and
non-viable cells travelled in zigzag mode when no voltage was applied. Supplementary
Information Video S1 and Video S2, show bacteria distributions at the inlet and at the
outlet, respectively. As the applied AC voltage was increased from zero, the cells transit
from zigzag to displacement mode, and the viable cells tended to displace more easily than
the non-viable cells, leading to separation (Supplementary Information Video S3).

The first test now is to scan the frequency from single Hz to hundreds of kHz. Figure 4
demonstrates clearly that viable E. coli are not displaced for frequencies above 1 kHz indicating
that their zeta potential will determine their trajectories through the device rather than their
dielectrophoretic mobility [20,35].

Figure 4. Effect of frequency on displacement of viable E. coli in eDLD. Analytical device #1 with gap
4 µm, N = 10, DC = 1.85 µm, medium conductivity = 25 mS/m, V = 300 VPP, and ∆P = 9.5 mBar.
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Since the zeta potential is an important sorting parameter, we expect that it is necessary
to carefully select buffer conductivity for optimal sorting. Therefore, for three different
conductivities, we varied the frequency of the applied electric field in order to find an
optimal combination of these two parameters. See Figure 5 for a summary of the data. The
given voltages represent the lowest values for which a clear separation could be observed.

Figure 5. Optimization of sorting conditions. Lateral displacement of viable and non-viable E. coli at the outlet of the
device (Sorting Device #1, DC = 1.24 µm), at different frequencies, voltages, and conductivities of the media: (a) Medium
conductivity of 20 mS/m, (b) medium conductivity of 100 mS/m, and (c) medium conductivity of 500 mS/m. It can be seen
that in general, σ = 100 mS/m gives the best separation among the three. Specifically, the optimized conditions for sorting
are σ = 100 mS/m, f = 1.0 Hz, and V = 138 VPP.

As the frequency is increased from 1 Hz, a higher voltage is needed to steer viable
cells into the “displacing reservoir” (denoted by the green bar under the plots) and the
“intermediate reservoir” (denoted by the grey bar). At 1 kHz, even a voltage of more
than 300 VPP (the limit of our amplifier) could not fully displace viable bacteria. It can
be seen that 1 Hz was the best frequency for sorting, at a conductivity of 100 mS/m. At
conductivities of 20 or 500 mS/m, similar trends were observed but the sorting capability
was less efficient than at 100 mS/m. This is consistent with what we see for polystyrene
microspheres as well as lipid vesicles in [20]. The increase in zeta potential of the particles
due to the lower ionic strength contributes to the improved sorting.

Note the appearance of large aggregates at high conductivities (Figure 5c). We believe
that the screening of the particle charge at the high conductivity of 500 mS/m gives rise
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to the aggregation. Supplementary Information Video S4 and Video S5, show viable and
non-viable E. coli suspended in KCl at 0.5 mS/m and 500 mS/m, respectively, and support
this view. While almost all non-viable E. coli (orange) in 0.5 mS/m medium are singles,
many of the non-viable bacteria in 500 mS/m medium form large aggregates.

In the end, the optimized combination of conditions for sorting viable and non-viable
E. coli was found to be a medium conductivity of 100 mS/m, a sinusoidal voltage of
1 Hz/138 VPP in Sorting device #1 (DC = 1.24 µm) at an applied pressure of 20 mBar.

Using the optimal conditions, a mixture of viable/non-viable E. coli in equal propor-
tions was run through the eDLD device (Sorting device #1, DC = 1.24 µm) for 1 h and
30 min. After sorting, the populations of the bacteria in the three outlet reservoirs were
recovered and counted externally. The outlet reservoirs are named “zigzag, intermediate,
and displacement,” corresponding to the trajectories of the particles they collect. The results
for one such experiment are shown in Figure 6, demonstrating high purity of non-viable
cells in the “zigzag reservoir” and high purity of viable cells in the “displacing reservoir.”
To illustrate the reproducibility of results, three additional repetitions were carried out
(Figure S4 of the Supplementary Information). We estimated, based on fluorescent intensity
(Figure 6a), that 72% of the viable bacteria were recovered in the displacing reservoir, with
a purity, based on manual count (Figure 6b), of more than 90%. Likewise, 63% of the non-
viable bacteria were recovered in the zigzag reservoir, with a purity of more than 90%. The
remaining cells exit at the intermediate reservoir. Note that depending on the application,
purity could be increased at the expense of decreased recovery rate or vice versa by varying
the design of the device, more specifically the placement of the exit channels and collection
reservoirs. In Section 4 of the Supplementary Information, we show a full range of possible
purity and recovery rates when varying placements of the zigzag and displacing reservoirs,
see Figure S6.

Figure 6. Sorting of viable/non-viable E. coli using electrokinetic DLD (eDLD). (a) Lateral displacement of the viable
and non-viable E. coli based on fluorescence intensity at the beginning and at end of a DLD array (Sorting device #1,
DC = 1.24 µm), with and without an applied field. The displacement corresponding to the zigzag/intermediate/displacing
reservoirs have been marked with the orange/gray/green horizontal bars, respectively. Note that there seems to be some
separation of non-viable cells from viable cells even when the electric field is switched off, probably due to the higher
probability of non-viable cells to form aggregates. While roughly half of the non-viable cells can be collected, the remainder
is still mixed with viable cells. For the general case, this level of sorting is of limited value. (b) External, manual counts of
the ratio between viable and non-viable E. coli recovered from different outlet reservoirs. “Hybrid” refers to the few cells
emitting both green and orange color, which represents a minute subset of the counted cells.
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3.2. Sorting of Viable/Non-Viable Yeast Cells

We measured the size of yeast cells (~2.5 µm × 1.5 µm), Figure S5, and found that
the size differences between viable and non-viable bacteria is greater than for E. coli,
but still small relative to the width of the size distributions of both types (non-viable:
3.80 ± 0.44 µm and viable: 4.70 ± 0.63 µm). In contrast to E. coli, the measured zeta
potential of yeast cells was observed to change very little due to heat inactivation and was
not expected to be useful for separation of the two subpopulations (~−19.5 mV, Table S2,
Supplementary Information).

We first tested the effects of the frequency and the applied voltage. When changing
frequency (Figure 7a), we observed that at low frequency (~100 Hz), yeast cells experience
stronger displacement than at higher frequency (1 and 20 kHz), just like polystyrene
beads [20] and E. coli. When the changing parameter was voltage while the frequency was
kept at 100 Hz (Figure 7b), both the viable and the non-viable yeast cells were displaced
quite strongly and the displacement monotonically increases with the applied voltage.
Separation was, however, not observed at any voltage due to the lack of contrast in electrical
properties (zeta potentials) between the viable and the non-viable yeast cells.

Figure 7. Effect of frequency and voltage on displacement of yeast cells at the outlet of the device. Analytical device #4
(DC = 5.6 µm) was used with σ = 5 mS/m and ∆P = 2 mBar. (a) Varying frequency. Note the trend that the displacement
increases equally for both cell types as the frequency is decreased. The applied voltage was 300 VPP, except at 100 Hz, which
is 200 VPP. (b) Varying voltage. The frequency was kept at 100 Hz.
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As in the case of E. coli, we then performed experiments at different medium conduc-
tivities and in different devices to find the best condition for sorting viable/non-viable
yeast. It can be seen in Figure 8a that medium conductivity affects displacement of viable
and non-viable yeast cells in eDLD. At the same applied voltage and frequency, some
conductivity values give better separation between the viable and the non-viable cells
than the others. We found the combination of σ = 50 mS/m, V = 300 VPP, f = 20 kHz, and
∆P = 1.5 mBar for Analytical device #2, DC = 4.60 µm, or ∆P = 1.2 mBar for Analytical
device #3, DC = 5.10 µm, to be optimal for separation of viable/non-viable yeast cells.
Such optimal separation is illustrated in Figure 8b. Supporting videos can be found in the
Supplementary Information (Video S6: without the electric field and Video S7: with the
electric field).

Figure 8. Displacement of viable/non-viable yeast cells at varying medium conductivities and in devices with different DC.
(a) Varying conductivity. We use Analytical device #2, DC = 4.6 µm. In each experiment, the pressures were adjusted to
maximize separation (from top to bottom, 1.5, 1.2, 0.7, and 0.6 mBar). (b) An example of a set of parameters that gives clear
separation (Analytical device #3, DC = 5.10 µm, σ = 50 mS/m, f = 20 kHz, V = 300 VPP, ∆P = 1.2 mBar).

While the low-frequency approach was unsuccessful for yeast, by separating the yeast
cells at higher frequency, we demonstrate one of the strengths of our method, namely,
frequency can be used to target different types of morphological or structural changes in
cells. Since electroosmosis and electrophoresis can be assumed to be negligible at 20 kHz,
it is reasonable to assume that DEP makes an important contribution to the enhanced
displacement and sorting in this case.
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4. Conclusions and Future Work

We have presented and characterized an integrated device that combines DLD and
electrokinetics to sort particles based not only on size but also on electric and dielectric
properties. Since changes in viability are linked to changes in properties such as surface
charge (zeta potential), membrane integrity, membrane conductivity, and polarizability
rather than size or shape, we were able to show proof of principle of leveraging these
parameters to perform viability-based separations.

We note that the E. coli and yeast separations require different ranges of frequency to
function. This implies the existence of at least two different mechanisms that make eDLD
work: one at low frequency, related to electroosmotic flow (EOF) and electrophoresis (EP)
(as we discuss in [20]), and the other at higher frequency, related to DEP. At this point we
do not know the exact mechanisms. We can rule out DEP as the main mechanism for the
low-frequency cases as well as most probably linear EOF and EP. Instead, we posit that non-
linear EOF and EP may play an important role [20]. However, further studies are necessary
to fully understand how these mechanisms interact and are responsible for the separation.
Nevertheless, we have demonstrated that we can select different underlying mechanisms
and optimize running conditions such as ionic strength, applied voltage and pressure,
and the geometry of the device, to adapt the approach to two different cells with different
physical characteristics that in turn are coupled to relevant biological subpopulations.

Potential applications that we envision are applications in food industry to monitor
the effect of the viability of any microorganisms used in the processing of the food and
those microorganisms that are not desired. From a fabrication perspective, the design is
simple and can be realized in cheap materials using standard mass production techniques.

Supplementary Materials: The following are available online at https://www.mdpi.com/2072-666
X/12/1/30/s1. Figure S1: Image processing steps, Figure S2: Dimensions of viable and non-viable
E. coli, Figure S3: Displacement of viable and non-viable E. coli in DC = 0.64 µm device, Figure S4:
Sorting of viable and non-viable E. coli in DC = 1.24 µm device, Figure S5: Dimensions of viable and
non-viable yeast cells, Figure S6: Purity and recovery rates of viable and non-viable E. coli, Table S1:
Device fabrication steps, Table S2: Properties of the cells, Table S3: Throughput and Péclet numbers of
various experiments reported in the main text, Video S1: E. Coli—Sorting—100 mS_m—20 mBar—Inlet.
Viable (green) and non-viable (orange) E. coli bacteria entering a DLD array having DC = 1.24 µm. The
video was recorded in real time using the color camera. In the same experiment, the monochrome
camera was used to obtain the videos from which the results were processed and plotted using
the method described in Figure S1. The results are shown in the top plot of Figure 6a. Video S2:
E. coli—Sorting—100 mS_m—20 mBar—Outlet. Same experiment as in Video S1, now captured at
the outlet. No voltage was applied. The results are shown in the middle plot of Figure 6a. Video S3:
E. coli—Sorting—100 mS_m—20 mBar—1 Hz—138 Vpp—Outlet. Continuing from Video 2, now with
the AC voltage on. Separation of viable and non-viable cells is demonstrated. The results are shown
in the bottom plot of Figure 6a. Video S4: E. coli—0d5 mS_m. At low medium conductivity, most of
the non-viable E. coli (orange) stay single. Video S5: E. coli—500 mS_m. At high medium conductivity,
most of the non-viable E. coli (orange) form clusters. Video S6: Yeast—Sorting—50 mS_m—0 Vpp—
1d2 mBar. Viable (transparent) and non-viable (dark) yeast cells exiting at the end of a DLD array
having DC = 5.1 µm. Both viable and non-viable cells were in zigzag mode and stay closer to the
left wall. The video was cut out from the original video used to produce Figure 8b (0 VPP) and sped
up two times. The original video is 10 times longer. Video S7: Yeast—Sorting—50 mS_m—20 kHz—
300 Vpp—1d2 mBar. Similar to Video S6, but an AC voltage of 20 kHz, 300 VPP was applied. While
the non-viable cells were still in zigzag mode, the viable ones were displaced and appear closer to
the right wall. The video was cut out from the original video used to produce the graph of Figure 8b
(300 VPP) and sped up two times. The original video is 7.5 times longer.
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Abstract: This paper presents a novel method to prevent blockages by embolic microspheres in catheter
channels by using convex air bubbles attached to the channels’ inner wall surface. The clogging by
microspheres can occur by the arching of the microspheres in the catheter. A few studies have been
done on reducing the blockage, but their methods are not suitable for use with embolic catheters.
In this study, straight catheter channels were fabricated. They had cavities to form convex air bubbles;
additionally, a straight channel without the cavities was designed for comparison. Blockage was
observed in the straight channel without the cavities, and the blockage arching angle was measured
to be 70◦, while no blockage occurred in the cavity channel with air bubbles, even at a geometrical
arching angle of 85◦. The convex air bubbles have an important role in preventing blockages by
microspheres. The slip effect on the air bubble surface and the centrifugal effect make the microspheres
drift away from the channel wall. was observed that as the size of the cavity was increased, the drift
distance became larger. Additionally, as more convex air bubbles were formed, the amount of early
drift to the center increased. It will be advantageous to design a catheter with large cavities that have
a small interval between them.

Keywords: catheter; microspheres; blockage arching; convex air bubbles; slip; centrifugal

1. Introduction

Recently, a trend in the medical community is to achieve maximum therapeutic effect on diseases
with minimal surgery and drug administration [1–8]. Medical science imaging has developed to
find microscopic cancer cells and has enabled treatments such as a micro-invasive medical procedure
without surgery. This procedure has minimal incisions and local anesthesia. Thus, it causes less pain
and bleeding, resulting in a fast recovery.

Embolization is one of interventions carried out by the micro-invasive procedure using imaging
equipment. A catheter is inserted to the correct vessel by digital subtraction angiography and organ
positions. The artificial embolus microspheres are guided to block capillary vessels through which
the myoma receives nutrients from the blood. This procedure is simpler and easier than other
surgical methods and also has fewer treatment-related events. Figure 1 shows the schematic of fibroid
embolization of microspheres with the catheter.

However, in the process of transporting embolic microspheres through a long and thin catheter
with a diameter of 1 mm, the catheter often becomes blocked [9,10], and it is difficult to release the
clogged microspheres in the catheter. In addition, if the microspheres are injected continuously despite
the clogging, pressure builds up in the clogged part, and there may be a danger of bursting the capillary
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vessel due to the instant release of fluid and microspheres at high pressure. To this end, microsphere
blockages in catheters must be resolved for proper embolism practices.

 

Figure 1. Schematic of fibroid embolization of microspheres with catheter.

There may be two possible mechanisms on the blockage of microspheres flowing with a carrier
liquid in the catheter [11]. One is the geometrical arching of the microspheres, and the other is the
electrical deposition on the wall surface. The arching is a clogging phenomenon due to the steric effect
in which the microspheres form an arch shape in the catheter channel [12–14]. Electrical deposition
occurs when one microsphere attaches onto the surface of the channel wall due to electrical attractive
force. Then, other microspheres are successively attached to the wall, and the attached microspheres
form a lump gradually. The lump also gradually increases to block the catheter [15–17].

Many studies have been done on blockage, but few studies have introduced methods to solve
the blockages. There are two representative methods to solve it. One is to remove the blockage of the
microspheres with momentary motions by exerting oscillating waves [18–21]. This method constantly
consumes power to use an amplifier and requires connecting the channel to a separate electrical device.
The other method is to reduce the deposition of microspheres by inducing a repulsive electrical force
chemically on the surface [22]. This requires an additional and sophisticated chemical treatment on the
surface of the catheter.

This study proposes a novel method to prevent clogging by microspheres in a catheter by using
convex air bubbles attached to the inner surface of the catheter. Convex air bubbles have a slip effect on
their bubble surface and a centrifugal effect on the microspheres due to their small radius of curvature.
In a fluid flow, the velocity is zero on the stationary wall, which is called the no-slip condition. However,
the measurement of the micro-PIV(particle image velocimetry) over the surface of a convex air bubble
shows that there exists a velocity with a certain value, which indicates the occurrence of the slip on
it [23]. The slippery surface of the convex air bubble can reduce the friction, which has a key role in
forming the blockage arching of microspheres in the catheter channel.

In addition, when the microsphere travels along the convex air bubble, centrifugal acceleration
normal to the surface is obtained due to the microsphere’s small radius of curvature and is exerted on
the microsphere. Even though it is a very low Reynolds flow, it makes the microsphere escape from
the convex surface. Thus, the distance is increased between the microsphere and the channel wall.
This centrifugal effect can reduce the attachment of microspheres so that it can prevent their deposition.
As a result, both the friction reduction on the surface by the slip effect and the increased distance away
from the catheter wall can effectively prevent the blockages caused by microsphere clogging.

To determine these effects by the convex air bubbles, straight catheter channels with microcavities
were fabricated by the MEMS fabrication process. Additionally, a straight channel without cavities was
fabricated as a reference, and the clogging of the microspheres was compared. The formation of the
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convex air bubbles in the cavities was visualized, and the two effects were experimentally examined
and theoretically explained.

2. Fabrication of the Catheter Channel with Cavities

The term micro generally means a size from 1 µm to 1 mm. As the characteristic size becomes
smaller, the ratio of the surface area to volume increases. Thus, the convex air bubbles attached in the
microcavities hardly detach from the surface because the buoyancy and the shear force as a detaching
force are much smaller than the surface tension as an attaching force [24].

The embolization catheter is generally cylindrical. The hydrophobic cylindrical tubes are
manufactured by an extrusion process. However, in order to form the air bubble for the introduction
of a liquid, the tube must have cavities on the inner surface. This makes the manufacturing process
very complicated and challenging. In addition, it is very difficult to visualize the movement of the
microspheres in the 3-dimensional cylindrical tube. So, for the experimental evaluation, the catheter
channel with microcavities was fabricated precisely by using MEMS fabrication technology. Then,
the channel surface was modified hydrophobically. Convex air bubbles naturally form in the
hydrophobic cavities as soon as water is introduced.

To examine the effect of the convex air bubbles on the prevention of catheter blockage by
microspheres, straight catheter channels were fabricated with and without micro-cavities. The length
of the catheter channel was 40 mm. Because it is hard to specify the exact position where the blockage
occurs, two pressure ports were connected to the catheter channel to detect the sudden pressure
build-up by the blockage, and the distance between them was 32 mm. Microspheres with a diameter of
100 µm have been used clinically in embolization [25]. Thus, a channel height of 150 µm was designed
by considering their size. Therefore, only one microsphere can be placed in the depth direction.
Two-dimensional blockage arching can be situated. Additionally, the width of the catheter channel was
varied and included 200, 300, and 400 µm, by considering the number of microspheres involved in the
arching. Moreover, by considering the slip influence distance of a single bubble as 209 µm, which was
reported in a previous work, two different intervals of 100 and 500 µm were used, indicating the
distance between the cavities [23].

The catheter channel connected with the cavities and the pressure ports was fabricated by soft
lithography. First, the mold pattern was prepared with photolithography. To make the mold pattern of
the catheter channel, the adhesion promoter of HDMS was spin-coated on a 4-inch silicon wafer at
4000 rpm for 30 s. It was baked on a hot plate at 150 ◦C for 2 min. SU-8 100 photo-resist was coated at
500 rpm for 10 s and 1750 rpm for 30 s. It was cured on a hot plate at 65 ◦C for 10 min and at 95 ◦C for
30 min. Then, it was exposed to UV for 37 s for photolithography. Again, the exposed silicon wafer
was placed on the hot plate and baked at 65 ◦C for 1 min and at 95 ◦C for 12 min [26]. The baked silicon
wafer was cooled down and developed in a SU-8 developer until the catheter channel patterns were
successfully obtained. Then, it was washed with isopropyl alcohol and de-ionized water several times
and dried by heating it at 150 ◦C for 3 min.

Secondly, the PDMS(polydimethylsiloxane) microchannel catheter was fabricated by molding the
PDMS. The inserted eyelets of the silicone tube were aligned and bonded to the inlet and outlet of
the patterned SU-8 catheter channel and pressure ports, respectively. Then, the PDMS mixed with a
pre-polymer and curing agent (Sylgard 184, Dow Corning, MI, USA) with a ratio of 10:1 was poured
onto the patterned silicon wafer at a thickness of 5 mm. After removing the air bubbles remaining
inside the PDMS in a vacuum oven, it was cured at 60 ◦C for 2 h to minimize the PDMS shrinkage.

Finally, each device was cut and exposed to oxygen plasma for 2 min with slide glass. This process
makes the surface hydrophilic. Then, the mold PDMS and the slide glass were bonded naturally.
The fabricated catheter channel was inspected with a microscope and SEM images. The inlet and
outlet at both ends were successfully connected to the microchannel catheter as aligned. The height
and width were measured to be 160 µm with a standard deviation of 3.68 µm and 426 µm with a
standard of 3.71 µm, respectively. The cavity size was 106 µm with a standard deviation of 2.38 µm.
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3. Clogging Prevention Experiment

In general, PVA (polyvinyl alcohol) or gelatin spheres are mostly used for the embolus microspheres.
In this experiment, glass microspheres with a specific gravity of 2.5 were used due to the difficulty in
the microscopic visualization of PVA spheres. The glass microspheres settled to the channel bottom
and their movement was examined on the microscope. The size of the glass microspheres was
from 90 to 106 µm and water were prepared as a carrier fluid. A high-speed camera (VEO 640L,
Phantom, NJ, USA) was set up in a vertical microscope (IX 71, Olympus, Tokyo Japan) to visualize
the movement of the microspheres and their blockage in the catheter microchannel. A syringe pump
(PHD 2000, Harvard apparatus, Holliston, MA, USA) was connected to the inlet and introduced the
microsphere-suspended water. The microspheres were injected randomly. It was hard to visualize
the exact position of the occurrence of the blockage in the 40 mm-long channel in real-time due to the
limitation of the microscope lens. Thus, to indicate the occurrence of the blockage, the differential
pressure was measured between the two pressure ports. Moreover, the convex air bubbles were formed
in the cavities by introducing pure de-ionized water in advance.

3.1. Slip Effect of the Convex Air Bubble

It was observed that the glass microspheres easily settled to the bottom of the catheter. Thus,
in order to carry the microspheres stably in water, the Reynolds number of the flow was examined.
By considering the hydraulic diameter of the catheter microchannel, Reynolds numbers ranging from
3.6 to 72.2 were tested, and it was found that microspheres could move stably with a Reynolds number
over 20 [27].

The two straight microchannels with and without the air bubbles were compared. The channel
width was 200 µm. The inlet flow rate was 257.1 µL/min, corresponding to an Re of 20. In the straight
microchannel without the air bubbles, blockage occurred. It was hard to control the exact condition
and position of the blockage occurrence. Only after the blockage occurred were its characteristics
measured. Figure 2a shows a picture taken after the blockage occurred in the catheter channel without
the air bubbles. Its angle was obtained from the line connecting the centers of the two microspheres
and the channel length. The blockage arching angle was obtained at an angle of about 70◦ from the
image analysis, similar to one theoretically obtained. However, it does not mean that the measured
blockage angle of 70◦ is a threshold or minimal angle.

 

μ

μ μ

Figure 2. Prevention of microsphere blockage in the catheter channel by convex air bubbles;
(a) Occurrence of the blockage arching at an arching angle of 70◦ in the straight catheter channel
without the convex air bubbles, (b) Free movement of the microspheres at a geometrical arching angle
of over 85◦ in the straight catheter channel with the convex air bubbles.

In the straight channel attached with the convex air bubbles formed in the microcavities,
the microspheres slide freely without any blockage from the arching despite a geometrical arching
angle of 85◦ due to the slippery and deformable surface of the convex air bubbles shown in Figure 2b.

Depending on the size of the catheter channel and the microspheres, the number of microspheres
involved in the blockage arching can be determined. Figure 3 shows the 2-dimensional blockage
arching involved with three microspheres in the straight catheter channel. The plane is positioned in the
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center where z equals 0 in height. The force diagram includes all the forces acting on the microsphere
positioned in the middle and two microspheres pushed toward the wall. Three important forces are
involved for the blockage arching. They are the drag force caused by the fluid flow, the friction force
between the wall surface and the microsphere, and the reaction force between the two microspheres as
a response to action and reaction.

 

 

μ μ

𝑄 ,
𝑢 (𝑥, 𝑦 = 0) = 16𝛼 ℎ𝜇𝜋 ∆𝑝𝑙 (1 − 𝑐𝑜𝑠 𝑚𝜋)(1 − 𝑐𝑜𝑠 𝑛𝜋)𝑚𝑛(𝑚 + 𝛼 𝑛 ) 𝑠𝑖𝑛 𝑛𝜋2 𝑠𝑖𝑛 𝑚𝜋2𝑤 (𝑥 + 𝑤)
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Figure 3. Diagram of the forces acting on the microspheres when the blockage occurs in catheter
by arching.

The drag force was analyzed with the assumptions of a steady and incompressible flow.
Additionally, a 2-dimensional fully developed velocity profile was considered along the catheter
channel for the sake of convenience, even though the velocity profile is parabolic 3-dimensionally in the
rectangular catheter channel with the sizes of the channel height of 160 µm, width of 426 µm, and length
of 40 mm. In addition, the velocity profile could be affected by the existence of the microspheres.
Due to a very low Reynolds number, a strong laminar flow is formed, and the microspheres move
along the streamlines since the movement of the spheres is governed mainly by fluidic force. Therefore,
in the calculation their effect on the velocity profile was also neglected.

The 2-dimensional velocity distribution was obtained on the plane where y = 0 in the z-axis
direction as Equation (1) [28,29]. The inlet flow rate, Qin, was calculated by integrating the velocity
distribution over the width as Equation (2).

uz(x, y = 0) =
16α2h2

µπ4

(
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l

) ∞∑

n=1

∞∑

m=1
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mn(m2 + α2n2)
sin

nπ

2
sin

mπ

2w
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sin
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2
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where α is the aspect ratio of the catheter channel, µ is the viscosity of the fluid, and ∆p is the pressure
drop according to channel length, l. Then, the 2-dimensional velocity distribution can be expressed as
Equation (3) by substituting Equation (2) into Equation (1).

uz(x) = Qin
π

2w

∑∞
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∑∞
m=1

(1−cos mπ)(1−cos nπ)
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2 sin mπ
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n=1

∑∞
m=1

(1−cos mπ)2(1−cos nπ)

m2n(m2+α2n2)
sin nπ

2

(3)

Assume that two microspheres attached on the wall surface are placed symmetrically, and the
flow rates on them, Ql and Qu, are obtained by subtracting the flow rate on the middle microsphere,
Qc, from the inlet flow rate as Equation (4).
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(4)

The average velocity is then obtained by dividing the flow rate entering into each microsphere
with the confronted projection area. The average velocity on the center microsphere, Vc, is calculated
in Equation (5).
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(5)

Because the open area to two microspheres is (2w− a), the position of their average velocity does
not coincide with the geometric center of the microspheres. The position of the average velocity of
the microsphere on the wall is obtained by dividing the flow rate with the open area, as shown in
Equation (6).
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 (6)

The drag force exerted on the microsphere is known as the Stokes force in a low Reynolds flow.
So, each drag force of Dc, Dl, and Du is given by Equations (7) and (8), where µ is the dynamic viscosity
of the fluid.

Dc = 6πµ
(

a

2

)
Vc (7)

Dl = Du = 6πµ
(

a

2

)
Vl = 6πµ

(
a

2

)
Vu (8)

The center of the drag force is assumed to be identical to the center of the mean velocity.
By considering the drag force and the center position, the blockage arching angle, θ, can be obtained
from Equation (9).

θ = sin−1 2w− a

2a
(9)

The action-reaction force of Fr can be obtained from the drag force, Dc, acting on the microsphere
positioned in the middle and the blockage arching angle, θ.

Fr =
Dc

2cosθ
(10)

Finally, the friction force of F f is obtained as follows.

Fr = µ f FN = µ f Frsinθ (11)

where µ f is the coefficient of the static friction. In general, the static friction is larger than the dynamic
friction. The three important forces to form the blockage arching of microspheres in the catheter
channel were calculated. For µ f = 0.7, a = 100–145 µm, w = 150 µm, α = 2.5, and µ = 1.12 × 10−3 N/m·s,
the blockage arching angle was analyzed. If the summation of drag forces is smaller than the friction
force, it is possible for a blockage to occur. Figure 4 shows the blockage arching angle, and it was
determined to be over 76◦, approximately. In addition, the blockage angle depends on the material of
the microspheres because the coefficient of the static friction differs by material.
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Figure 4. Threshold angle to cause geometrical arching in a rectangular microchannel.

In the visualization, the microsphere blockage occurred at an arching angle of 70◦ in the straight
catheter channel without the convex air bubbles, while the microspheres moved freely in the straight
catheter channel with the convex air bubbles, despite a geometrical arching angle of over 85◦ being
formed. To explain the slip effect of the convex air bubble on the prevention of the microsphere
blockage, the possible range of the blockage arching angle was calculated for the different friction
coefficients. Figure 5 shows that the range of the blockage arching angle also decreases as the friction
coefficient decreases. As a result, it is concluded that the slip effect on the convex air bubble can reduce
the friction and can prevent the blockage by the arching of the microspheres in the catheter channel.
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Figure 5. Decrease in the range of arching angle with decreasing friction force.

3.2. Centrifugal Effect on the Convex Air Bubble

The centrifugal effect of the convex air bubble on the drift distance was also examined. The channel
width was 300 µm, and the interval of the convex air bubbles was 500 µm. The experiment was
performed at a flow rate of 300 µL/min (Re = 20) in the catheter microchannel with a width of 300 µm.
As the microspheres passed through four consecutive convex air bubbles placed within a channel
length of 2400 µm, the trajectories of the microspheres were analyzed [Video S1].

Figure 6 visualizes two trajectories of the microspheres moving around the upper and lower
convex air bubbles attached in the straight microchannel. They were obtained by averaging the
movements of five different microspheres. The microspheres gradually moved to the middle of the
channel by passing through the convex air bubbles. Near the fourth convex air bubble in the flow
direction, the drift distances of the upper and lower microspheres from their initial positions were
measured to be 238 and 166.8 µm, respectively. Additionally, their drift distances away from their
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initial positions were analyzed for two different sizes of convex air bubbles. The channel width was
400 µm, and the interval of the convex air bubbles was 500 µm. Figure 7 plots the positions of the
microspheres passing around the upper and lower convex air bubbles with a height of 60 (blue asterisk)
and 102 µm (red diamond), respectively. When the microspheres passed the convex air bubbles with
a height of 60 µm, they moved 64.6, 77.7, 102.9, and 134.7 µm upward gradually from their initial
positions and converged to the center of the catheter channel. Moreover, for a bubble height of 102 µm,
they drifted 103.9, 105.6, 102.2, and 108.8 µm, sequentially. The microspheres passing around the
convex air bubbles drifted rapidly due to a large centrifugal acceleration that is inversely linear to the
bubbles small radius of curvature. After they were placed away from the convex air bubbles, their
drift distance was decreased because the centrifugal effect became weakened.
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Figure 6. Trajectory of microsphere movement over the air bubbles in the catheter channel.
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Figure 7. Trajectory of microsphere movement in the catheter channel with a bubble height of 102 µm
(red diamond) and a bubble height of 60 µm (blue asterisk).

In addition, the effect of the interval of the convex air bubbles on the drift distance was examined.
Convex air bubbles with two different intervals of 500 and 100 µm were compared. The heights of the
air bubbles were measured to be 59.3 and 45.4 µm, respectively. The positions of the microspheres
were measured along the catheter channel by choosing the microspheres that were initially placed near
the wall surface. Figure 8 shows that the microspheres drifted upward 90.6, 96.8, 106.2, and 115.7 µm
passing gradually through each convex air bubble for an interval of 100 µm, while they moved upward
64.6, 77.7, 102.9, and 134.7 µm for an interval of 500 µm. On the convex air bubbles with a short
interval, they rose more quickly and were focused into the center. Figure 9 shows the attack angle of
the microspheres when they moved to the second convex air bubble just after passing through the first
convex air bubble. The attack angle was about 3◦ for the small interval of 100 µm and about 29◦ for the
interval of 500 µm.
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Figure 8. Trajectory of microsphere movement in the bubble catheter channel with the interval lengths
of 100 µm (red diamond) and 500 µm (blue asterisk).
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Figure 9. Attack angle on the successive air bubble for the different intervals: (a) the interval of the
successive air bubble of 100 µm and (b) the interval of the successive air bubble of 500 µm.

When the microspheres passed around the first convex air bubble, the large air bubble produced
more drift distance so that the microspheres moved to the center of the catheter channel. Additionally,
the short interval of the convex air bubbles prevented the microspheres from approaching the wall,
which might cause the blockage arching of the microspheres in the channel. Thus, it is advantageous
to design a straight catheter channel with large cavities to form the large convex air bubbles and with a
small interval to prevent blockage by arching.

The drift distance obtained by the centrifugal effect can be theoretically explained. Figure 10
shows the movement of the microsphere on the convex air bubble. The radius of the convex air bubble
is very small so that a large centrifugal acceleration can be generated, and a large drift distance on the
surface of the convex air bubble in the normal direction can be produced.

 

μ μ

μ μ

 

Figure 10. Drift of microspheres away from wall caused by centrifugal force.

The centrifugal force exerted on the microsphere is given by Equation (12), where m is the mass
of the microsphere, U is the mean velocity of the flow, and r is the radius of curvature of the convex
air bubble.

Fc =
mU2

r
=
ρπa3

6
mU2

r
(12)
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This centrifugal force enables the microsphere to escape from the surface of the air bubble in
its normal direction. The drag force resists against the movement of the microsphere in the normal
direction. It can be obtained by the Stokes force where Vs is the drift velocity in the normal direction.

FD = 3πµaVs (13)

In a low Reynolds flow, the viscous effect is dominant compared with the inertia effect. Thus,
it reaches a terminal velocity very soon, and the two forces are balanced. Then, the drift distance can
be calculated by the drift velocity and travel time. The drift velocity was calculated from the balance
between the drag force and the centrifugal force as follows.

Vs =
ρa2U2

18µr
(14)

Then, the traveling time t is equal to the time that the fluid takes to travel around the convex air
bubble with a velocity of U. The traveling length is assumed to be a half circle.

t =
πr

U
(15)

Finally, the drift distance can be obtained by multiplying the drift velocity and travel time.

s = Vst =
πρa2U

18µ
(16)

The centrifugal effect of the convex air bubble could drift the microspheres away from the wall
surface when passing over the convex air bubble. As a result, the drift distance can prevent the
formation of blockage by arching.

Aside from slip and centrifugal effect on the prevention of the blockage, the elastic deformation of
the air bubble can be considered additionally. The air bubble can be deformed by the microsphere
pushed by the fluidic force in a low Reynolds number flow, what is called Stokes force and a surface
force. The air bubble can resist to the deformation of the convex meniscus of the air bubble formed
due to surface tension, which is a line force. The ratio of the fluidic force and capillary pressure force
becomes zero when the deformation size of the air bubble of a characteristic size is very small. It means
that the fluidic force is negligible compared with the capillary pressure force. This scale effect can
explain why the elasticity effect of the air bubble on the blockage is negligible ([30], Video S1).

4. Conclusions

The effect of the convex air bubbles on the prevention of blockages by embolic microspheres
in catheters was experimentally evaluated and theoretically explained. The catheter channel was
fabricated with PDMS using the MEMS fabrication process. It was shaped with microcavities to form
convex air bubbles and two pressure ports to signal the occurrence of a blockage. The width, cavity,
and interval between the cavities were varied to examine the effect of the prevention of microsphere
blockage. In the straight catheter channel without air bubbles, blockage arching occurred at an angle
of about 76◦, whereas in the channel with convex air bubbles formed in the cavities, the microspheres
slid freely without any blockages, even at a geometrical arching angle of 85◦, due to the slippery and
deformable surface of the convex air bubbles. It was also theoretically explained that the reduced
friction by the slip could increase the blockage arching angle.

In addition, the convex air bubble produced large centrifugal acceleration obtained from its small
radius of curvature, and this acceleration was exerted on the microspheres while they were traveling
around the convex air bubbles. As a result, the centrifugal acceleration made the microspheres drift
away from the wall of the catheter channel. Thus, this reduced their chance to attach onto the wall,
resulting in the prevention of microsphere blockage by arching.
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From the experimental results, large convex air bubbles and a small interval between the cavities
were effective at preventing microsphere blockage. Thus, it can be concluded that it will be advantageous
to design a catheter channel with large cavities and a small interval for the prevention of microsphere
blockage in embolization. For further study, the occurrence of blockages from the bending of the
catheter, which often happens during embolization, will be examined by considering the radius of the
curvature of the catheter.

Supplementary Materials: The following are available online at http://www.mdpi.com/2072-666X/11/12/1040/s1,
Video S1: Microspheres in the catheter channel.
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24. Tesař, V. What can be done with microbubbles generated by a fluidic oscillator? (survey). EPJ Web Conf.

2017, 143, 2129. [CrossRef]
25. Doucet, J.; Kiri, L.; O’Connell, K.; Kehoe, S.; Lewandowski, R.J.; Liu, D.; Abraham, R.J.; Boyd, D. Advances in

Degradable Embolic Microspheres: A State of the Art Review. J. Funct. Biomater. 2018, 9, 14. [CrossRef]
[PubMed]

26. Sensu, Y.; Sekiguchi, A.; Kono, Y. Modeling of Cross-linking Reactions for Negative-type Thick film Resists.
J. Photopolym. Sci. Technol. 2006, 19, 51–56. [CrossRef]

27. Caine, M.; Carugo, D.; Zhang, X.; Hill, M.; Dreher, M.R.; Lewis, A.L. Review of the Development of Methods
for Characterization of Microspheres for Use in Embolotherapy: Translating Bench to Cathlab. Adv. Health

Mater. 2017, 6. [CrossRef] [PubMed]
28. Kashaninejad, N. A New Form of Velocity Distribution in Rectangular Microchannels with Finite Aspect

Ratios. Preprints 2019. [CrossRef]
29. Zheng, X.; Silber-Li, Z. Measurement of velocity profiles in a rectangular microchannel with aspect ratio α =

0.35. Exp. Fluids 2008, 44, 951–959. [CrossRef]
30. Squires, T.M.; Quake, S.R. Microfluidics: Fluid physics at the nanoliter scale. Rev. Mod. Phys. 2005, 77,

977–1026. [CrossRef]

Publisher’s Note: MDPI stays neutral with regard to jurisdictional claims in published maps and institutional
affiliations.

© 2020 by the authors. Licensee MDPI, Basel, Switzerland. This article is an open access
article distributed under the terms and conditions of the Creative Commons Attribution
(CC BY) license (http://creativecommons.org/licenses/by/4.0/).

54



micromachines

Article

Charge-Based Separation of Micro- and Nanoparticles

Bao D. Ho , Jason P. Beech and Jonas O. Tegenfeldt *

Division of Solid State Physics and NanoLund, Physics Department, Lund University, P.O. Box 118, 22100 Lund,
Sweden; bao.hodang@gmail.com (B.D.H.); jason.beech@ftf.lth.se (J.P.B.)
* Correspondence: jonas.tegenfeldt@ftf.lth.se; Tel.: +46-46-222-8063

Received: 16 October 2020; Accepted: 14 November 2020; Published: 18 November 2020

Abstract: Deterministic Lateral Displacement (DLD) is a label-free particle sorting method that
separates by size continuously and with high resolution. By combining DLD with electric fields
(eDLD), we show separation of a variety of nano and micro-sized particles primarily by their
zeta potential. Zeta potential is an indicator of electrokinetic charge—the charge corresponding
to the electric field at the shear plane—an important property of micro- and nanoparticles in
colloidal or separation science. We also demonstrate proof of principle of separation of nanoscale
liposomes of different lipid compositions, with strong relevance for biomedicine. We perform careful
characterization of relevant experimental conditions necessary to obtain adequate sorting of different
particle types. By choosing a combination of frequency and amplitude, sorting can be made sensitive
to the particle subgroup of interest. The enhanced displacement effect due to electrokinetics is found
to be significant at low frequency and for particles with high zeta potential. The effect appears to scale
with the square of the voltage, suggesting that it is associated with either non-linear electrokinetics or
dielectrophoresis (DEP). However, since we observe large changes in separation behavior over the
frequency range at which DEP forces are expected to remain constant, DEP can be ruled out.

Keywords: electrokinetic deterministic lateral displacement; charge-based separation

1. Introduction

Deterministic Lateral Displacement (DLD) is a powerful size-based particle sorting method
that has multiple advantages: It is label-free, it has high resolution, and it allows for continuous
operation [1]. The method has been applied to sort various types of cells or bio-particles from
blood: white blood cells [2–6], circulating tumor cells [7–12], trypanosomes [13,14], nucleated red
blood cells [15], microvesicles [16,17], and PC3 prostate cancer cells [18]. In addition, DLD has
found applications in separation or enrichment of different types of mammalian cells [19–23], fungal
spores [24], droplets [25,26], bacteria [27], DNA [1,28], and exosomes [29]. Extensive reviews of DLD
can be found elsewhere [30,31]. Here we give a brief description of the method.

A schematic of a DLD device is shown in Figure 1a. The main feature is an array of micro-pillars
that is tilted at an angle with respect to the flow carrying the particles. A heterogeneous sample
containing small and large particles is loaded into the sample reservoir on the top left of the schematic
in Figure 1a and driven through the pillar array. The DLD mechanism is fundamentally based on
whether or not particles are able to follow the carrier fluid as they moves through the array. At low
Reynolds numbers it is primarily steric interactions between the particles and the posts that prevent
this but under certain conditions other interactions play a role such as charge interactions when the
carrier fluid has low ionic strength [32] or inertia and wall lift forces when Reynolds numbers are
high [33]. These additional interactions can be carefully chosen to be sensitive to relevant particle
parameters and we will show here how externally applied AC fields make it possible to sort particles
by their zeta potential in a tunable manner.
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Figure 1. Working principle of conventional Deterministic Lateral Displacement (DLD) and DLD with
electric fields (eDLD). (a) Diagram of a typical DLD device. The device is driven by a pressure difference
between inlets and outlets and is capable of sorting a mixture of particles by size. Electrokinetic effects
are added by applying a voltage along the device. In this case, the average field is parallel to the
flow. (b) Mechanism of conventional DLD. Separation is a result of consecutive migration of large
particles across different flow streams (here numbered 1, 2, 3) due to steric interactions with the pillars.
(c) In eDLD, the particle trajectories are modified by electrokinetic wall force fields around the pillars.

Unlike sieves, which also hinder particles from following the flow, steric and other interactions
lead to changes in trajectories only and DLD devices can therefore be considered as non-clogging
sieves. The DLD mechanism causes different-sized particles to follow different trajectories so that they
can be collected in separate reservoirs at the end of the device.

The mechanism of conventional DLD (steric interactions only) is illustrated in Figure 1b. The pillar
array repeats itself after N rows where N is called the period of the DLD. Due to the specific arrangement
of the pillar array, the fluid flow is split into N different streams between any two neighboring pillars
in each row. For a device with equal lateral and longitudinal inter-post distance, the corresponding
tilting angle of the array is given by tan(θ) = 1/N. For the sake of convenience and to avoid anomalous
modes [34], the design is often such that N is an integer. As an example, in Figure 1b, the period is
N = 3, corresponding to a tilt of arctan(1/3) = 18.4◦.

The separate trajectories of one small particle (green) and one large particle (red) are illustrated in
Figure 1b. The radius of the green particle is smaller than the stream width w depicted in Figure 1b,
and as a result, the particle’s center of mass remains in stream #2 throughout the array. This mode of
transport is termed the zigzag mode due to the shape of the trajectories. In contrast, the red particle
whose radius is larger than w bumps into the pillar and is displaced from stream #2 to stream #3.
This stream-switching occurs every time the particle encounters a new row of pillars, forcing the
particle to travel along the tilting angle of the array. This mode is termed the displacement mode and
we will refer to the angle θ henceforth as the displacement angle. At the end of one period (N rows) of
the pillar array, particles in zigzag mode have a maximum lateral displacement of G + D, where G is
the gap between posts and D is the post diameter, while particles in displacement mode are shifted
laterally by a distance N × (G + D). Using the angular formulation instead, the displacement of the
smaller particles is ≈0 and that of the large particles is l × tan(θ), where l is the length of one period
(N rows) of the pillar array. The critical diameter DC, which is the diameter at which the transition
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between zigzagging and displacing occurs, is predetermined by the geometry of the array, and can be
estimated by:

DC = 1.4GN−0.48 (1)

Equation (1), an empirical formula reported by Davis [35], is used throughout this paper to
estimate the critical diameters of our DLD devices.

Although the behaviors of particles in DLD devices are primarily dependent on their size, size
is not always a well-defined property of a particle. Instead, we use the term effective size to relate
the particle’s trajectory to the trajectory of a perfectly spherical particle moving through a DLD
device driven solely by a pressure driven flow. In other words, an arbitrary particle under arbitrary
experimental conditions is said to have an effective size Deff if it moves along the same trajectory as
a perfectly spherical particle of size Dparticle = Deff experiencing only the pressure driven flow and
steric interactions in the DLD array. This is useful to describe, for example, non-spherical, deformable,
or charged particles that have effective sizes that depend on the detailed properties of the particles along
with the exact experimental conditions being used. Previous approaches have targeted one or more of
these properties to separate particles in DLD based on, for example, shape [13,14,36,37], length [27],
and deformability [6,36,38]. Surface charge has also been employed in the context of DLD [32,39], but in
general in a different manner than in our current work. Zeming et al. [32] modulated the effective size
by tuning the electrostatic force between pillars and nanoparticles, which was achieved by adjusting
the salt concentration of the running medium. The method works well for particles below 1 µm in
low-salt medium (≤1 mM NaCl). In contrast, our approach, with the integration of an electric field,
can be used for micro as well as nano particles, and operates at higher salt concentrations that can be
relevant for biological samples.

The interaction between particles and applied electric fields is complicated. A full description
must take into account the behavior of the solvent (water) and the dissolved ions near the particle
surface. The zeta potential of a particle is simply the electrostatic potential at the shear plane due to the
charges on the particle. The zeta potential depends on the density of charged groups on the surface of
the particle, the distance between the particle surface and the shear plane, and the ionic strength of the
suspending medium. Because the zeta potential is both easy to measure (taking several minutes with a
Zetasizer NanoZS instrument (see Section 2.1) and captures the behavior of the effective charge of the
particle as the ionic strength of the buffer changes, we will use “zeta potential” throughout and not
“charge”, but the reader should keep in mind that they are related.

The use of electric fields for particle manipulation in a liquid medium encompasses multiple
mechanisms, among which electrophoresis and dielectrophoresis are the most notable. Electrophoresis
(EP) refers to the movement of charged particles in an electric field, which can be uniform or
non-uniform [40–43]. It should be noted that EP of charged particles is in fact “force-free”: the particle
motion is driven by the electroosmotic slip on the particle surface. The applications of electrophoresis
to manipulate and separate particles and molecules are countless, and it has become a gold standard for
separation of proteins and nucleic acids. Dielectrophoresis (DEP) refers to the movement of polarizable
particles (charged or uncharged) in a polarizable medium under a non-uniform electric field [44–46].
Although having a shorter history than electrophoresis, DEP has also found numerous applications in
enrichment, isolation, or separation of bio-particles, including yeast cells [47–50], human cells [51],
microalgae [52], bacteria [53–55], viruses [56], DNA [57,58], proteins [59], and nanocrystals [60], to name
but a few. Dielectrophoretic techniques can be categorized into Microelectrode-based DEP (eDEP) or
Insulator-based DEP (iDEP) [61]. As their names suggest, these two branches are distinguished by
the materials the particles are in contact with: conducting electrodes (eDEP) or insulating obstacles
(iDEP). For eDEP systems, in the early days, the electrodes were pin-and-plate macroelectrodes [47] but
using microfabrication, electrodes have been miniaturized to achieve higher field strengths. Various
configurations of electrodes have been reported in the literature, with castellated [48,49,56,62,63],
quadrupole polynomial [56,64], zipper [65], or 3D-well [66] designs. In iDEP systems, efforts are invested
in designing innovative insulating structures inside microfluidic channels to achieve the desired field
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gradients for DEP. These structures include constrictions [51,59,60,67–69], ridges [70,71], curves [50,72],
and obstacle arrays [53,57,73–75]. A thorough review of iDEP can be found elsewhere [61].

In terms of configuration, the electrokinetic DLD devices presented in this paper are relatively
similar to an iDEP system with an insulating pillar array. The key difference is, however, that our
devices have pillar arrays tilted at an angle to the flow to achieve the DLD function. Furthermore,
we are interested in not only DEP, but also other electrokinetic phenomena that enhance particle
displacement. In general, any electrokinetic force fields that are specific to some particle property and
that change the probability that particles switch streams at every row of pillars (altering the cumulative
lateral displacement of the particles), can be exploited for tunable particle separations (Figure 1c).
The nature of different electrokinetic forces will be discussed in Section 3.4.

Some examples of the applications of electric fields in DLD (eDLD) have been reported. In the first
DLD paper [1], a DC electric field was used to transport DNA through a DLD device via electrophoresis
and separation of kilo base pair DNA was achieved, but here the electrophoresis was seen solely as a
means to drive the DNA through the array. Hanasoge et al. also used DC field to drive the flow and
explore the effect of different array orientations on particle separation in eDLD [76]. The development
of eDLD has been driven primarily by the Tegenfeldt group at Lund University, Sweden, [77–79]
and Morgan group at University of Southampton, UK, [39,80,81], who have made use of AC fields
in various modes and geometries. Among the benefits of using AC fields are the fact that the flow
(carrying the particle through the device) is decoupled from the forces near to the posts (causing
separation) and that much greater control can be achieved through the balancing of these forces.
What is more, the nature of the force and the property of the particle that is targeted can be controlled
via the frequency of the applied electric field.

In the first eDLD devices reported by Beech et al. [77], macro electrodes located inside the
inlet and outlet reservoirs were used to apply an AC electric field parallel to the direction of the
pressure-driven flow. The effective critical sizes were tuned in a controlled manner by up to a factor
of four, for the applied voltages used. Subsequently, higher electric fields have been achieved by
having electrodes right on top of an open pillar array [78] and more recently by coating pillars with
platinum (3D electrode) [79] and applying the voltage between the rows of pillars. The novel 3D
electrode approach obtains the closest possible inter-electrode distances, increasing the field strength
per applied voltage by about three orders of magnitude. This active pillar eDLD device is able to
displace particles with diameters of 250 nm, much smaller than the gap size of 11 µm. In a different
approach, the Morgan group increased the field strength in eDLD by integrating microelectrodes on
the sides of the pillar array. Using this configuration, Calero et al. demonstrated sorting of 500 nm
from 1 and 3 µm polystyrene beads in a DLD array with a critical size of 6.3 µm using an AC voltage
(50 Hz–10 kHz) [80]. In their subsequent work, by using an AC voltage with a DC bias, they were able
to separate 100 nm from 500 nm and 1 µm polystyrene beads as well as sorting based on zeta potential
for 3 µm microspheres [39]. Finally, in a very recent paper, Calero et al. compared their experimental
data at 50 kHz with DEP numerical simulation and found good agreement [81].

Here we expand on our previous work with eDLD, using the simplest approach, i.e., macro
electrodes located inside inlet and outlet reservoirs, and show tunable separation based on zeta potential
of a variety of particles. We characterize and optimize our devices with regard to different running
parameters using polystyrene beads with diameters from several micrometers down to 100 nanometer
scales and with a wide range of zeta potentials. Finally, we apply the technique to the sorting of
bio-relevant particles: Nanoscale liposomes with different sizes and zeta potentials. Liposomes
have found tremendous applications in medicine and pharmacology [82] since their inception in the
mid-1960s, most notably for drug delivery. What is more, liposomes are structurally and chemically
similar to extracellular vesicles (EVs)—cell-derived particles involved in intercellular communication,
and as such are highly relevant as a model system.

Nanoscale bio-particles, such as liposomes or EVs [83–86], have considerable potential in diagnostic
and therapeutic applications. However, sorting of nanoscale particles has been identified as an important
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challenge [87]. Sorting of EVs down to 20 nm has been demonstrated [29] using nanofluidic DLD with
feature sizes on the scale of 100 nm, but the fluidics is difficult to control and the risk of clogging is high.
In addition, fabrication of these devices requires sophisticated and expensive processes like electron
beam lithography, limiting broad usage. Conversely, devices with features on the micrometer scale can
be fabricated using commonly available methods. We show that eDLD devices with micrometer scale
gaps can be an alternative approach to the separation of nanoparticles, without the scaling down of
device features and thus without some of the problems in fabrication and operation that such scaling
down entails.

To optimize eDLD for different applications, it is necessary to understand how different parameters
individually or mutually affect the separation. For example, increasing driving pressure can improve
throughput (particle numbers or volumes), which is of great interest in many applications, but it
also means a higher voltage is required to effectively displace particles. The maximum voltage that
can be applied is limited by electrolysis and possibly by Joule heating through the device geometry
and the conductivity of running medium. However, some particle systems place constraints on the
conductivities of the suspending medium that can be used. To untwine complex dependencies as
such, we scan and investigate the influence of medium conductivity, voltage, frequency, and pressure
on the efficiency of separation and establish a few simple rules that may help employing eDLD for
biological applications.

2. Materials and Methods

2.1. Devices and Experimental Setup

The DLD devices used throughout this paper were fabricated from polydimethylsiloxane (PDMS)
using replica molding [88]. Detailed device fabrication steps can be found in Table S1 of the
Supplementary Information. In each device (Figure 2a), only a narrow, single stream of sample is
allowed to enter the DLD array and is buffered on two sides. Particles having different properties
(size, charge) in the sample are separated as they travel along the array before entering a single outlet
reservoir. At the observation windows at the beginning and at the end of the array, the lateral positions
of the particles are analyzed.

Table 1. Parameters of DLD devices used in this work. Critical diameters, DC, are nominal values
based on the geometry of the pillar array (Equation (1)).

Device Name Gap (µm) N DC (µm)

Device #1 2 20 0.66
Device #2 5 10 2.32
Device #3 6 10 2.78
Device #4 8 10 3.71
Device #5 13 10 6.03
Device #6 13 5 8.41
Device #7 4 23 1.24

A list of the devices used in this work is presented in Table 1, together with their featured
parameters. More details about the designs of the devices can be found in Figure S1 and Table S2 of the
Supplementary Information.

During an experiment, a device is positioned on the stage of an inverted microscope (Nikon
Eclipse TE2000-U, Nikon Corporation, Tokyo, Japan) (Figure 2b,c). The pressure at the inlet reservoirs
(1–100 mBar) is regulated by a pressure controller (MFCS-4C, Fluigent, Paris, France). The voltage
applied along the device is generated by a function generator (33120A, Hewlett Packard, Palo Alto, CA,
USA) and amplified using either a high-voltage amplifier (Bipolar Operational Power Supply/Amplifier
BOP 1000M, Kepco, Flushing, NY, USA) or a high-frequency amplifier (WMA-300, Falco Systems,
Amsterdam, The Netherlands). The voltage is measured using an oscilloscope (54603B 60MHz, Hewlett
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Packard, Palo Alto, CA, USA) with a 1×/10× probe (Kenwood PC-54, 600 VPP, Havant, UK). Note that
care should be taken when working with high voltages. The voltage should be turned off before any
changes are made to the setup. A pair of rubber gloves should be worn at all time during the course of
the experiments.

To capture experimental image stacks, a monochrome Andor Neo sCMOS camera (Andor
Technology, Belfast, Northern Ireland) is used. The image stacks are analyzed using FIJI (ImageJ
1.52f, National Institutes of Health, Bethesda, MD, USA) with MOSAIC particle tracking plugin [89].
The conductivities of the media are measured with a conductivity meter (B-771 LAQUAtwin, Horiba
Instruments, Kyoto, Japan). The zeta potentials of the particles are measured with a Zetasizer NanoZS
instrument (Malvern Instruments, Ltd., Worcestershire, UK).

Figure 2. Devices and experimental setup. (a) Overview of device design. The red arrows schematically
represent the trajectory of displacing particles. The actual trajectory angles of different devices are given
in Table S2 of the Supplementary Information. Drawings are to scale. (b) Schematic of the experimental
setup. (c) Image of the experimental setup, showing a DLD device on a microscope stage, with pressure
and electrical connections. The electrical hooks are highlighted by the white dotted lines for visibility.
The DLD array is enlarged and shown on the left, with color-coded trajectories of zigzagging (green)
and displacing (red) particles. It has been compressed along its length by a factor of two to fit within
the picture frame. (d) Scanning electron microscopic images of a typical DLD array (device #7, Table 1).

2.2. Data Analysis

The sorting performance of a device can be assessed by comparing lateral positions of different
types of particles at the beginning and at the end of the DLD array. In our experiments, the lateral
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positions are discretized by the gaps. To easily compare experiments across different devices, the lateral
positions can be linearly converted into percentages, with 0% displacement being perfectly zigzagging
and 100% displacement being perfectly displacing. The displacement of the particles can be compared
between different experiments to study the effects of different parameters including voltage, frequency,
pressure, and medium conductivity. More details of the data transforming processes can be found in
Figure S4 of the Supplementary Information.

To quantify the particle displacement, we need to count the numbers of particles of interest exiting
at each gap at the end (outlet) of the DLD arrays. This can be done manually, particle by particle,
but this method is labor intensive and inapplicable for concentrated polystyrene nanospheres or nano
liposomes. Instead, provided the particle concentration is not too high, which would lead to shadowing
effects, the fluorescence intensity can be used to deduce the number of particles. More specifically,
in the average image of all frames of an image stack, the integrated fluorescent intensity across each
gap is proportional to the number of particles passing by that gap. We denote this quantity as inferred

particle count in the plots throughout this paper. More details of the image processing can be found in
Figure S2 of the Supplementary Information and a comparison between the method and manual count
can be found in Figure S3.

2.3. Sample Preparation

Particle trajectories in the DLD devices were studied for a wide range of polystyrene beads and
liposomes (see more details in Table S3 of the Supplementary Information).

Polystyrene nano- and microspheres (D = 160 nm–6.3 µm), referred to as beads for brevity, were
suspended in media containing KCl at various molar concentrations and 0.1% w/v Pluronic® F127
(Sigma-Aldrich Sweden AB, Stockholm, Sweden). Pluronic®was found to markedly reduce non-specific
sticking of the beads to PDMS. The volumetric concentrations of the beads were 0.02% v/v for 2 µm,
160 nm, 250 nm, and 490 nm beads, and 0.086% v/v for 4.3 µm and 6.3 µm beads.

Liposomes (D ~ 150–300 nm) were made by extrusion. Two lipids with different surface charge
densities, the low-charge DOPC (1,2-dioleoyl-sn-glycero-3-phosphocholine) and the high-charge POPS
(1-palmitoyl-2-oleoyl-sn-glycero-3-phospho-L-serine) were mixed to achieve liposomes with different
zeta potentials. DOPC lipid was mixed with a lipid conjugated Rhodamine dye (18:1 Liss Rhod PE,
1,2-dioleoyl-sn-glycero-3-phosphoethanolamine-N-(lissamine rhodamine B sulfonyl) (ammonium salt))
in chloroform at concentrations of 10 mg/mL (DOPC) and 10 µg/mL (Rhodamine) in a glass vial. POPS
lipid was used at a concentration of 1 mg/mL dissolved in chloroform. The lipids and the dye were
purchased from Avanti Polar Lipids (Industrial Park Drive, Alabaster, AL, USA). The lipid solutions
were gently blown with nitrogen until a dry, thin film formed at the bottom of the vial. A solution
of KCl (2 mM) was added to the vial to obtain concentrations of DOPC, Rhodamine, and POPS of
1 mg/mL, 1 µg/mL, and 0.1 mg/mL, respectively, and the vial was vortexed vigorously to completely
dissolve the lipid film into the solution. The solution was subsequently extruded 15 times back and
forth through either 100 nm or 200 nm filters on an extruder platform (T&T Scientific Corporation,
7140 Regal Lane, Knoxville, TN 37918, USA). Finally, the extruded liposomes were characterized
using the Zetasizer NanoZS instrument, for both size and zeta potential, before sorting experiments.
All liposome samples are monodispersed, with polydispersity indices (PDI = (std/mean)2) below 0.24
(PDIDOPC-100nm = 0.10, PDIDOPC-200nm = 0.20, PDIDOPC/POPS-100nm = 0.08, PDIDOPC/POPS-200nm = 0.24),
and no large clusters were observed in the size distributions from the DLS measurements.

3. Results and Discussion

To better understand the behavior of charged particles in an eDLD, we begin with the separation
of polystyrene microspheres by their size and by their zeta potential. We then explore the capability
of eDLD to effectively decrease the critical diameter to sort polystyrene nanospheres and nano-sized
liposomes in micrometer-gap devices. In each case, the optimum conditions for separation regarding
device geometry, applied pressure, electric field strength, and frequency are explored.
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3.1. Important Sorting Parameters

We perform experiments on beads with surface carboxyl groups (4.3 µm and 6.3 µm), using device
#5 with DC = 6.0 µm (for 4.3 µm beads) and device #6 with DC = 8.4 µm (for 6.3 µm beads) in order to
determine contributions of some of the relevant sorting parameters.

Effect of frequency and medium conductivity. The applied voltage was kept constant (300 VPP),
the applied pressure varied slightly (1.0, 1.5, or 2.5 mBar) over a distance of ≈ 7 mm between inlet and
outlet reservoirs and the frequency scanned in the range 1 Hz-500 kHz. Results show (Figure 3) that
the 4.3 µm and 6.3 µm beads are maximally displaced at frequencies below 1 kHz for all pressures
and conductivities tested. Displacement was also observed to be greater at low medium conductivity
(0.7 mS/m) and lower at high conductivity (500 mS/m). Since the zeta potential is known to decrease
with increasing ionic strength [90] (see Equation (6) in Table S5 for details), this indicates that the
enhanced displacement due to electrokinetics increases with |ζ|. For example, the absolute value of the
particle zeta potential (|ζ|) of 4.3 µm beads at medium conductivity of 0.7 mS/m (milliQ water), 25 mS/m
(1.7 mM KCl), and 500 mS/m (37 mM KCl) are 50 mV, 24 mV, and 1 mV, respectively. For 6.3 µm beads,
they are 53 mV, 27 mV, and 1 mV, respectively (Table S3 of the Supplementary Information). This will
be investigated further in Section 3.2.

Figure 3. Effects of medium conductivity and voltage frequency on displacement of beads in eDLD.
(a,b) The 4.3µm beads in device #5 (DC = 6.0µm) at 2.5 mBar and 1.5 mBar, respectively. The displacement
is strongest at frequencies between 10 and 500 Hz, and at low electrical conductivity of the medium.
(c) The 6.3 µm beads in device #6 (DC = 8.4 µm). The displacement is strongest at frequencies between
10 and 500 Hz, and at low conductivity.

Effect of voltage and pressure. Intuitively, the displacement increases when the applied voltage
increases (the electrokinetic forces are stronger) or the applied pressure decreases (the particles travel
slower, and the electrokinetic forces have more time to act). To confirm this, we kept the frequency
constant at 50 Hz (which from Figure 3 gives the strongest displacement), and varied pressures from
0.5 mBar to 3 mBar in 0.5 mBar steps and applied voltages from 0 VPP in 10–20 VPP steps until the
beads were completely displaced. The pressure/voltage combinations that yield 50% displacement,
specifically, the threshold voltages required to displace beads to 50% at given pressures, are plotted in
Figure 4.
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Figure 4. Effects of pressure and voltage on displacement of beads in eDLD. The data points are the
voltage-pressure pairs that yield 50% displacement. More details about the data analysis can be found
in Figure S4 of the Supplementary Information. The experiments were performed on 4.3 µm carboxylate
beads in device #5 (DC = 6.0 µm) at 50 Hz, in media at conductivity of 1.1 mS/m or 25 mS/m. Note that
the voltages of the square wave data points have been scaled up by a factor of

√
2, to compare with the

sine wave data points.

It is apparent from the plot that at a higher applied pressure, a higher voltage is required in order
to displace particles. What is more, the plot in Figure 4 confirms our previous observation that at lower
medium conductivity, the effect is stronger and thus, lower voltage is required in order to displace
particles at a given pressure. Since a square waveform gives a root mean square (RMS) voltage that is√

2 greater than the RMS voltage of a sine wave, we performed experiments with a square waveform.
Indeed, after applying a correction term of

√
2 the curves corresponding to the square and the sinewave

overlap. It is important to note that a square wave consists of a sum of odd harmonics making the
understanding of the frequency dependence less straightforward.

3.2. Sorting Polystyrene Microspheres by Zeta Potential

To study the effect of zeta potential, polystyrene microspheres of the same size (D = 2 µm) but
different surface modifications were run in device #3 (DC = 2.8 µm). Although suspended in the same
medium (25 mS/m KCl), the microspheres possess different surface charge density dependent on their
types resulting in different zeta potentials (more details in Table S3 and Equation (6) of Table S5).

The experiments were performed at constant pressure and voltage (P = 10 mBar and V = 300 VPP)
applied over a distance of ≈ 7 mm between inlet and outlet reservoirs, while the frequency was varied
from 10 Hz to 5 kHz. The displacement of different bead types at different frequencies are shown in
Figure 5a. The distribution of displacements in Figure 5a can be fitted to normal distributions and
the means are plotted against the zeta potentials (Figure 5b) and against the frequencies (Figure 5c).
For illustration purposes, a supporting video showing the separation of the sulphate #2 (red) beads
and carboxylate #2 (green) beads at 100 Hz can be found in the Supplementary Information (Video S1).

There is a clear correlation between the absolute value of the zeta potential and the bead
displacement in Figure 5a,b. In the frequency range of 50–200 Hz, the sulphate beads, which have
higher absolute values of zeta potential than that of the carboxylate beads and the amine beads, displace
much more. This result demonstrates that same-sized particles with a difference in zeta potential on
the order of 10 mV can be separated. Figure 5c confirms our observation in Section 3.1 that the effect is
strong at low frequency (≤1 kHz).
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The throughput of the devices was estimated to be 2 µL/hr with a Péclet number much larger
than unity. Detailed calculations are presented in Table S4 of the Supplementary Information.

Figure 5. Displacement at outlet of 2 µm beads of different zeta potentials in device #3 (DC = 2.8 µm).
(a) Displacement of six different bead types, at frequencies from 10 to 5000 Hz. (b) Displacement as a
function of zeta potential. (c) Displacement as a function of frequency. In (b,c) the standard deviation
of each data point corresponds approximately to 7% displacement (one gap). Note that there is small
negative displacement in plot 5a at 0 V, which can be attributed to particle diffusion (see Section 5 and
Table S4 of the Supplementary Information for the calculation of diffusion length).

3.3. Sorting Polystyrene Nanospheres and Nano Liposomes

We demonstrate sorting of nano particles in devices with micrometer sized gaps by displacing
490 nm beads in device #7 (G = 4 µm, DC = 1.24 µm) with 500 VPP and 10 mBar applied over a distance
of approximately ≈ 17 mm (Figure 6a). To decrease the size range further we used device #1 (G = 2 µm,
DC = 0.66 µm) to separate beads of size 160 nm and 250 nm using 1000 VPP and 7.5 mBar applied over
a distance of ≈ 7 mm (Figure 6b). A supporting video can be found in the Supplementary Information
(Video S2).

For nano liposome separation, we used device #1 (G= 2 µm, DC = 0.66 µm) to displace liposomes in
the range 100–300 nm. We performed independent experiments on each of the four types of liposomes
but in the same device and at the same voltage and pressure (500 VPP and 10 mBar). The data are
combined in the plots of Figure 7 for comparison. Our method allows us to separate by size (Figure 7b)
or charge (Figure 7a,c) as the specific application requires. The full set of data relating to the sorting
optimization of nanospheres and liposomes can be found in the Supplementary Information (Figure S5
and Figure S6, respectively). The sizes and zeta potentials of the nanospheres and nano liposomes can
be found in Table S3 of the Supplementary Information.
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Figure 6. Displacement at outlet of nanospheres in micro-sized gap DLD devices. (a) Displacement of
490 nm beads in device #7 (DC = 1.24 µm) at 500 VPP. Medium: milliQ water + 0.1% Pluronic® 127
(σ = 0.5 mS/m). (b) Sorting of 160 nm versus 250 nm beads in device #1 (DC = 0.66 µm) at 1000 VPP at
1 kHz. Medium: milliQ water + 0.1% Pluronic® 127 (σ = 0.5 mS/m).

Figure 7. Sorting nano liposomes in eDLD. In general, the 1,2-dioleoyl-sn-glycero-3-phosphocholine
(DOPC) liposomes possess lower charge than the DOPC+10%POPS liposomes. (a) Separation
of liposomes of similar sizes but different surface properties (ζDOPC,167nm = −10 mV,
ζDOPC+10%POPS,186nm = −67 mV). The higher charged DOPC/1-palmitoyl-2-oleoyl-sn-glycero-3-

phospho-L-serine (POPS) liposomes are more displaced. (b) Liposomes of different sizes but similar
surface properties (ζDOPC+10%POPS,129nm = −50 mV, ζDOPC+10%POPS,186nm = −67 mV). The larger
liposomes are more displaced. (c) Large liposomes with lower zeta potential (ζDOPC,327nm = −16 mV)
versus small liposomes with higher zeta potential (ζDOPC+10%POPS,186nm = −67 mV). In this case,
the zeta potential is shown to be more important for the outcome of the sorting than the particle
size. More information about size and zeta potential of liposomes can be found in Table S3 of the
Supplementary Information. Device #1 (DC = 0.66 µm). Frequency: 1 kHz. Medium: KCl 2 mM
(σ = 29 mS/m).
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3.4. The Role of Electrokinetic Driving Forces

By adding electrokinetics to DLD, its scope can be significantly broadened, which we demonstrate
in the presented work. Additionally, we find the effect is only significant at low frequency (≤1 kHz)
and increases with zeta potential of the particles. This suggests an association with the phenomena of
electrophoresis (EP) and electroosmotic flow (EOF).

Electrophoresis and electroosmotic flow refer to the motion of charged particles and electrolyte
solution, respectively, under an electric field. A charged particle suspended in an electrolyte solution
will travel under the application of an electric field (particle EP). At the same time, the electrolyte
solution contained in a channel with charged walls also moves when the field is on (EOF). In fact, particle
EP stems from the EOF near the surface of the particle, so the two phenomena are related [41,43,91]. On a
global scale, the total electrokinetic mobility of the particle is the algebraic sum of the electrophoretic
mobility and the electroosmotic mobility. Under low-frequency AC fields, the particles can be seen
oscillating along the direction of the field, as shown in Video S8 of the Supplementary Information.

When a pressure is applied together with a low-frequency AC field, the particle can be seen
traveling in the direction of the pressure gradient but at the same time oscillating at the frequency of
the applied field. This can be seen in Video S4 of the Supplementary Information (pressure driven flow
+ AC 50 Hz), as compared to Video S3, where only a pressure was applied. The electrokinetic wall
force depicted in Figure 1c can be observed in Video S5 (pressure driven flow + AC 10 Hz field) at time
0.34 s when the particle is “pushed” away from the pillar, leading to enhanced displacement. Note that
the direction of this movement is perpendicular to the pillar and is different from the direction of
the EP/EOF oscillation, which is tangential to the pillar (because the pillar is insulating, the electric
field is tangential to the pillar). In Figure 8, trajectories of 2 µm carboxylate beads #1 at different
frequencies are compared. It can be seen clearly that starting from 200 Hz, the beads displace less,
which is consistent with the low-frequency operating range we have reported in Sections 3.1 and 3.2.

Figure 8. Comparison of trajectories of 2 µm carboxylate beads #1 at different frequencies. Identical red
dotted lines based on trajectory at 100 Hz have been added to the images to guide the eye. Device #2
(DC = 2.3 µm) was used. The applied pressure was 30 mBar. The medium was KCl 22 mS/m with 2.5%
w/v polyvinylpyrrolidone (PVP). Similar to Pluronic® 127, PVP helps reduce non-specific adsorption of
the beads to the PDMS walls of the device.

At very low frequency (≤10 Hz), although the electrokinetic wall force might also be strong, the
large oscillation magnitude of the particles may hinder the displacement. This can be observed in
Video S6 (pressure driven flow + AC 2 Hz). During the negative phase of the oscillation, at around
1.00 sec, the particle is pulled backwards in the opposite direction to the pressure driven flow and
may cross streamlines in the opposite direction to the displacement direction. This leads to particles
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moving in the zigzag mode while having a strong displacing tendency otherwise. This explains the
lower displacement of particles at very low frequencies in the plots of Figure 3.

The prospects of various electrokinetic mechanisms influencing sorting in DLD devices have
been brought up for discussion in the literature [80,81]. Due to viscous damping, EOF and EP is not
expected to be of importance at higher frequencies. Calero et al. [80] identified 500 Hz as a reasonable
threshold frequency, above which EOF and EP would not be important.

It is at this point relevant to mention that there are two types of EOF: Linear and non-linear EOF [92].
In linear EOF, the external field is much smaller than the field in the electric double layer (EDL)
(which can be estimated by the zeta potential and the Debye length, and is on the order of 106 V/m).
The external field therefore does not affect the distribution of charge in the EDL. With this condition,
the velocity of the fluid or a particle can be calculated by Smoluchowski’s equation:

v =
ζε

η
E (2)

where ζ is the zeta potential of the wall or particle, ε is the permittivity of the fluid, η is the viscosity of
the fluid, and E is the external field. If ζ > 0, v is parallel with E for EP and anti-parallel with E for EOF.

On the contrary, if the external field gives rise to or modifies the charge distribution in the EDL,
ζ in Equation (2) is no longer independent of E and the velocity no longer varies linearly with the
external field. There are several embodiments of this non-linear electrokinetics reported in the literature.
For instance, when the external field polarizes conductive walls (metal electrodes), it exerts at the
same time an electric force on the newly induced charge and causes circulation of fluid just above the
electrodes. This phenomenon is called AC-electroosmosis [93–95] and the time-averaged electroosmotic
velocity is proportional to the square of the applied voltage [96]:

〈v〉 ∝ ε
η

f (ω, ε, σ,κ, z)V2 (3)

where f is a function of angular frequency ω, medium permittivity ε, medium conductivity σ, inverse
of Debye length κ, and distance z from electrodes.

Similarly, for the case of conducting particles (or in 2D, a rod), one can observe vortices
near the particle surface. This phenomenon is called induced-charge electroosmosis/electrophoresis

(ICEO/ICEP) [97,98] and the typical flow speeds are also proportional to the square of the applied field:

U0 ∝
ε

η
aE2 (4)

Non-linear electrokinetics for dielectrics, which is more relevant to our work, has also been
studied [99,100]. Notably, Wang et al. [100] observed vortices of 1 µm polystyrene particles near
a narrow constriction when a 1 kHz AC field was applied, which they attributed to ICEO and
electrothermal flow (the former dominated in low conductivity medium). We also observe vortices
of 1.1 µm polystyrene particles suspended in milliQ water in a pillar array under 100 Hz AC field
(Figure 9 and Supplementary Information Video S7) when no pressure driven flow is present. Similar
vortices have also been reported by Calero et al. [81] in their type of eDLD with microelectrodes on the
sides of the device.

In our eDLD experiments, since the enhanced displacement effect (from now on called “the effect”)
decreases with increasing medium conductivity at any given applied voltage, electrothermal flow can
be excluded. Since the effect is significant at low frequency and increases with the zeta potential, it
may have some dependence on EP and EOF (either linear or non-linear). To investigate this, we look
into the displacement of 4.3 µm beads at different applied pressures and voltages, and at two different
conductivities (Figure 10). For each conductivity, the plot on the left shows the displacement as a
function of the voltage. These plots confirm that at higher pressure, a higher voltage is required to
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achieve the same displacement as in the low-pressure case. This is because the particles travel faster,
and the electrokinetic forces have less time to act at higher pressure.

Figure 9. Vortices of 1.1 µm polystyrene beads in milliQ water at 500 VPP at 100 Hz, in device #4
(G = 8 µm, distance between electrodes ≈ 7 mm). (a) Actual image, (b) Diagram showing the direction
of the vortices). The original image stack (557 frames @25fps) has the field of view of 8 × 7 identical
unit cells (the image shows one unit cell). To simultaneously observe the dynamics of many particles,
we used MATLAB 2017a (Mathworks, Natick, MA, USA) to superimpose all these unit cells into one
unit cell. The resulted image stack was then averaged to produce the image shown in the figure.
A video with particle tracking is available in the Supplementary Information (Video S7).

Figure 10. Displacement of 4.3 µm beads as a function of voltage, voltage/pressure, or voltage2/pressure.
(a) At medium conductivity of 1.1 mS/m. (b) At medium conductivity of 25 mS/m.
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To compare different experiments, the pressure can be normalized (the middle plot for each
conductivity in Figure 10). In these plots, if the effect is linearly dependent on the voltage, the data at
different pressures should collapse into one curve (see Section 6 in the Supplementary Information
for a simplified mathematical model). It is shown not to be the case. However, when we plot the
displacement as a function of voltage squared over pressure (the plot on the right for each conductivity
of Figure 10), the data collapse to one curve within the uncertainty of our experiments. This suggests
association with non-linear electrokinetics, which varies with the square of the applied voltage,
as shown in Equations (3) and (4).

It is necessary to discuss dielectrophoresis (DEP) as a possible mechanism since the DEP force is
also proportional to V2. The DEP force on a spherical particle of radius r in a non-uniform electric field
E is given by:

FDEP = 2πεmr3Re

(
ε̃p − ε̃m

ε̃p + 2ε̃m

)
∇|Erms|2 (5)

where Erms is the root mean square value of the field, ε̃p, ε̃m are the complex permittivity of the particle
(p) and the suspending medium (m) and are defined as: ε̃ = ε− iσ/ω. Here ε is the permittivity, σ is the
conductivity, and ω is the angular frequency of the electric field. The term in the brackets represents
the relative contrast between the permittivities of the particle and the medium and is called the

Clausius–Mossotti factor: fCM =
ε̃p−ε̃m
ε̃p+2ε̃m

. For polystyrene beads, the bulk conductivity σb is negligibly
small and their conductivity comes from the surface conductivity σs [101]:

σp ≈ σs =
2K

r
(6)

where K is the surface conductance of the beads. For non-conducting polystyrene particles, typically
K ∼ 1nS [102,103]. According to Equation (5), the polarity of the DEP force is dependent on the real
part of the Clausius–Mossotti factor. When Re( fCM) > 0, the particles travel to the regions of high field
strength (positive or pDEP), conversely when Re( fCM) < 0, the particles travel to the regions of low
field strength (negative or nDEP). In eDLD with the electric field parallel to the flow field, as has been
pointed out by Beech et al. [77], the nDEP force “pushes” the particles away from the pillar out of the
first stream and, if sufficiently strong, into the subsequent stream (i.e., in same direction as FEW in
Figure 1c). Conversely, pDEP “pulls” the particles towards the pillar, which intuitively reduces the
effect. To assess the contribution of DEP, the real parts of the Clausius–Mossotti factors for 2 µm and
4.3 µm polystyrene beads at different conductivities used in this paper are plotted in Figure 11.

Figure 11 shows that at high frequencies (≥ 1 MHz), the CM factor approaches a value close to
−0.5 asymptotically, giving rise to nDEP. At lower frequencies it is positive (pDEP) for small particles
in low conductivity medium (here only for 2 µm beads in milliQ water) and nDEP for large particles or
high medium conductivities relative to the particle conductivity. In our experimental data presented
in Sections 3.1 and 3.2, we observe a significantly enhanced displacement effect only at frequencies
between 10 Hz and 1 kHz (the green region in Figure 11) whereas the DEP force, whether it is pDEP or
nDEP, is constant in a much broader frequency range, from 10 Hz to 100 kHz. This indicates that DEP
is not the main contribution to the effect and suggests that non-linear EOF or EP probably plays a more
important role. It should be noted that nDEP can be utilized to enhance particle displacement but
required applied voltages might be higher than those used here.
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Figure 11. The real part of the Clausius–Mossotti factor for 2 µm and 4.3 µm beads at different
conductivities used in the experiments, assuming K = 1 nS for all beads. The blurred green region
highlights the range of frequencies where we observe the enhanced displacement effect.

Finally, we consider whether or not it is possible to improve future devices based on the findings
of the present study. The question can only be answered in relation to the specific requirements
of the application, but we can give some general guidelines. Larger devices can provide higher
throughput. However, higher applied voltages are required in order to maintain the necessary field
strengths inside pillar arrays, which constitutes a practical upper limit on device size. It is possible
to increase the field gradients inside a pillar array for a given applied voltage, which can improve
device performance, but these improvements also come at a cost. For example, simulations (see
Figure S8c of the Supplementary Information) show that changing the gap (G) and the period (N)
such that the critical size remains the same does not have a significant effect on the field strength at
one critical radius distance from the posts, and we conclude that these parameters alone cannot be
used to greatly improve the voltage response in the device. Changing the diameters (P) of the posts
however has a larger impact on the local field strength for a given applied voltage (see Figure S8d of
the Supplementary Information). This can be understood by considering the ratio P/G, which indicates
the amount by which the electric field is constricted between the posts. Although the field strength at
one critical radius distance from the posts increases 35% when P/G goes from 0.28 to 3.3 with Dc kept
constant, which is significant, the device would also need to be considerably longer, 3.4 times longer
in this case, which entails a large increase in the required applied voltage. Since large N also leads
to longer devices for a given critical size, in general, small N and large P/G lead to higher fields for
a given applied voltage. Other changes to both the geometry of the post array and to the shapes of
the posts are expected to change the distribution of the electric field in the post array and could also
be used to optimize device performance for specific applications, but that is outside the scope of the
present work and will be explored in future studies.

4. Conclusions

We have presented an integration of DLD and electrokinetics to sort particles based not only on
size, but also on zeta potential which in turn depends on the surface charge. The integration has been
done in the simplest way possible, with electrodes located in inlet and outlet reservoirs. Without having
to fabricate microelectrodes or scale down the devices, we were able to sort nanoparticles in devices
having micrometer-sized gaps, in a way that is sensitive to size and zeta potential. Our approach is
applicable to all particle sizes from the micro- down to the nanoscale and is not bound by requirements
for very low salt concentrations for the running medium.
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We posit that non-linear electroosmotic flow and electrophoresis play an important role in the
mechanism of zeta-potential-based or charge-based sorting using eDLD. However, further studies are
necessary to fully understand how these mechanisms interact and are responsible for the separation.
Nevertheless, we have demonstrated that by optimizing running parameters such as ionic strength,
applied voltage, frequency, and pressure, we can adapt the approach to a wide range of relevant
particle sizes and zeta potentials.

Our results prove that eDLD can be used to sort nano particles such as liposomes with strong
biological relevance, for example in medicine and pharmacology, most notably for drug delivery.
This opens up for sorting extracellular vesicles (EVs), which are similar in structure to liposomes. EVs
have great potential in diagnostics and therapeutics but current EV manufacturing and sorting methods
are inadequate in terms of purity, reproducibility, yield, time, and cost [84,85]. From a fabrication
perspective our eDLD devices are simple, disposable, and can be realized in cheap materials using
standard techniques. Ongoing work is focused on using what we have learned to developing devices
that will be capable of sorting EVs based on size and surface charge, at throughputs relevant for
further bioanalysis.

Supplementary Materials: The following are available online at http://www.mdpi.com/2072-666X/11/11/1014/s1:
Figure S1: Overview of a typical device, Figure S2: Image processing steps used to estimate relative particle counts
based on fluorescence intensity, Figure S3: Relative amounts of 2 µm beads as measured by manual counting and
by integrated fluorescent intensity, Figure S4: Summary of data transforming steps in order to investigate the
effects of different running parameters on particle displacement, Figure S5: Optimization of nanosphere sorting,
Figure S6: Optimization of liposome sorting, with voltage as the changing parameter, Figure S7: Simple sketch
demonstrating the displacement caused by electrokinetic force, Figure S8: Electric field simulation of eDLD,
Table S1: Device fabrication steps, Table S2: Parameters of DLD devices used in this work, Table S3: Specifications
of the particles used in this work, Table S4: Throughput and Péclet numbers of the experiments reported in
the main text, Table S5: Important equations of electrokinetics, Video S1: Sorting—Sulphate2 (red)—Carbox2
(green)—100 Hz. Real-time, color-coded video showing the separation of the sulphate #2 (red) and carboxylate #2 (green)
beads (both ≈ 2µm) in device #3 (DC = 2.8 µm) when the electric field was turned on at the middle of the video. The result is
plotted in Figure 5 (main text). Video S2: Sorting—Red 250 nm—Green 160 nm—0 VPP then 1000 VPP—1000 Hz.
Sorting of 250 nm and 160 nm beads at an applied voltage of 1000 VPP at 1 kHz. The separation is possible only after the
voltage was turned on. The playback is fast-forwarded twice. Video S3: Trajectory—4um3 particle under pressure
driven flow. Trajectories of of a 4.3 µm bead in device #5 (DC = 6.0 µm), under a pressure of 1.5 mBar, in KCl 25 mS/m with

0.1% w/v Pluronic® 127. The pressure driven flow is from left to right. The playback is slowed down 10x. Video S4–S6:
Similar to Video S3 but with voltage of 300 VPP/square wave at frequencies of 50 Hz, 10 Hz, and 2 Hz, respectively.
The playback is slowed down 40x, 40x, and 10x, respectively. The pressure driven flow is from left to right. The oscillatory
motion of beads can be seen clearly in Video S4 (50 Hz) and Video S5 (10 Hz). The enhanced displacement can be seen clearly
in Video S5 (10 Hz) at 0.34 s. The setback from displacing to zigzag at very low frequency can be seen in Video S6 (2 Hz) at
1.00 sec. Note that we used square wave in these slow-motion videos, instead of the sine wave as in most of the data in the
main text, to give the eyes an easier detection of the phase of the oscillation. Video S7: Trajectory—1um1 particles under
100 Hz AC signal (no pressure driven flow). Vortexes of 1.1 µm beads in milliQ water at 500 VPP at 100 Hz, in device
#4 (G = 8 µm). The image is combined from 557 frames @25fps of 8 × 4 different unit cells (i.e., the full field of view is
32 times as wide as the video dimensions). Video S8: Oscillation—2um particles—100Hz (red) 500Hz (green) 5000Hz
(magenta)—(superimposed) .mp4 (no pressure driven flow). Superimposed, color-coded video showing the oscillatory
motion of the same type of bead at different frequencies, in the gap between two pillars, when an AC voltage was applied from
left to right (no pressure applied). The video was combined from three videos at three different frequencies. The video has been
slowed down by 50 times.
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Abstract: Separation and detection are ubiquitous in our daily life and they are two of the most
important steps toward practical biomedical diagnostics and industrial applications. A deep un-
derstanding of working principles and examples of separation and detection enables a plethora of
applications from blood test and air/water quality monitoring to food safety and biosecurity; none of
which are irrelevant to public health. Microfluidics can separate and detect various particles/aerosols
as well as cells/viruses in a cost-effective and easy-to-operate manner. There are a number of papers
reviewing microfluidic separation and detection, but to the best of our knowledge, the two topics
are normally reviewed separately. In fact, these two themes are closely related with each other
from the perspectives of public health: understanding separation or sorting technique will lead to
the development of new detection methods, thereby providing new paths to guide the separation
routes. Therefore, the purpose of this review paper is two-fold: reporting the latest developments in
the application of microfluidics for separation and outlining the emerging research in microfluidic
detection. The dominating microfluidics-based passive separation methods and detection methods
are discussed, along with the future perspectives and challenges being discussed. Our work inspires
novel development of separation and detection methods for the benefits of public health.

Keywords: microfluidic system; lab-on-a-chip; separation; detection; public health

1. Introduction

Public health is closely related to human wellbeing at diverse levels from our neighbor
community to the national or even global security, covering the prevention, control, and
treatment of major diseases, especially infectious diseases and noncommunicable chronic
diseases, as well as supervision and control of food, drug, and public environmental
sanitation. The infectious diseases include avian influenza, influenza, mad cow disease, an
acquired immunodeficiency syndrome (AIDS), severe acute respiratory syndrome (SARS),
and dengue fever, while noncommunicable chronic diseases include cancer, diabetes, and
hypertension. When an infectious disease affects a large geographical area, it may cause
death, destroy cities, politics, countries, disintegrate civilization, and even annihilate ethnic
groups and species [1–4]. For example, the influenza pandemic claimed a high death
toll in 1918, and SARS transmitted from bat broke out in 2002, affecting public health
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seriously [5,6]. Recently, SARS-CoV-2 virus has caused the unprecedented COVID-19
pandemic to occur and spread rapidly all over the world since December 2019 [7]. Up to
25 February 2021, there have been 111,999,954 confirmed cases and 2,486,679 confirmed
death of COVID-19 around the world, posing a great threat to human health [8]. All
these infectious diseases severely impact the development of the local economy and social
stability. Infectious diseases can spread through air transmission, water transmission, food
transmission, contact transmission, soil transmission, vertical transmission, body fluid
transmission, and fecal oral transmission. Each infectious disease is caused by its specific
pathogen, including viruses, bacteria, fungi, or parasites [9–12]. Based on the necessary
conditions for infectious diseases such as the infection source, transmission route, and
susceptible populations, three strategies can be deployed to manage infectious diseases
via controlling the source of infection, cutting off the transmission routes, and isolating
the susceptible populations, respectively. From the perspective of patients, the key lies
in early detection, early diagnosis, early report, and early isolation. There are two main
diagnostic targets for infectious diseases: pathogens or a specific antigen, antibody, or
nucleic acid of an infectious pathogen [13–16]. Some of the techniques are time-consuming,
labor-intensive, expensive, and unable to be carried out on-site detection because the use of
bulky instruments is inevitable, which thereby hinders their applications and makes them
insufficient to achieve rapid, accurate, and on-site diagnosis during a pandemic, especially
in the most common and serious resource-poor areas [17,18].

In addition to infectious diseases, noncommunicable chronic diseases are also an im-
portant threat to human health, such as cardiovascular and cerebrovascular diseases, cancer,
chronic respiratory diseases, and diabetes, which are mainly caused by unhealthy lifestyle
and living environment. These kinds of diseases have a high incidence rate, disability rate,
mortality rate, and medical expense, which can be thawed by early diagnosis and treat-
ment. The common diagnostic methods in clinic for noncommunicable chronic diseases
are tissue biopsy and liquid biopsy [19]. However, tissue biopsy is limited by sampling
bias, sampling difficulty for deep tissue, and harm to patients, while liquid biopsy presents
the challenges of a few samples, complex background, and gene typing polymorphism.

The health safety of food, drug, and public environmental sanitation has become a
global question, such as excessive content of metals and additives, pesticide residues, and
microbial contamination in food, water, gas, and soil. In the last few years, food safety
accidents have occurred repeatedly [20,21]. Improved food safety analysis and testing are
needed to control food contamination [22]. However, the traditional detection technology
based on instrumental analysis has the disadvantages of expensive instruments, long cycle,
large material consumption, complex operation, and low sensitivity, which cannot satisfy
the demand of on-site, real-time, fast, and portable detection of food [23–25]. Meanwhile,
with the increase in environment pollution, related detection, monitoring, and cleanup
technologies should be developed to detect and collect toxic wastes and pollutions [26,27].

In the past decade, microfluidic technology has developed rapidly and microfluidics
can lead to the combination of the sample pretreatment, separation, and detection processes
into a small chip to realize the miniaturized, automated, and multifunction integrated analy-
sis system, which find wide applications in molecular/cell biology, chemical/gene analysis,
medicine, food safety, environment sensing, and other fields, because of the advantages
such as less sample consumption, fast detection speed, facile operation, multifunctional
integration, small size, and portability [28–30]. Among the numerous applications, mi-
crofluidic sensors have been developed to detect toxic gases in industrial wastewater,
such as drinking water, heavy metals, and other waterborne pathogens. Microfluidic chip
technology can be further integrated with electrochemical techniques, optical techniques,
magnetic techniques, mass spectrometry, and other techniques to realize the separation
and detection of targeted samples [31–33].

There are several reviews that focus on the application of microfluidic technologies
in disease detection, food safety analysis, or environmental monitoring and detection.
Nevertheless, there are inadequate studies focusing on unveiling the connection of mi-
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crofluidics with public health, which has been arising as a global issue especially given
the present COVID-19 crisis sweeping across the world. For example, it is helpful for
determining infection risks to understand aerosol concentrations and persistence in public
spaces because they play an important role in coronavirus transmission. However, it is
difficult to measure the concentrations, which requires specialized equipment. The chal-
lenge may be tackled using microfluidics by taking advantaging of their high throughput
capability and high integration level. Thanks to the advances in microfluidic development
for cell separation and detection, point-of-care diagnostics are allowed, and monitoring of
individual health conditions at home is possible, which greatly eases the public healthcare
burden. The present study aims to give an overview of state-of-art microfluidic separation
and detection technologies from the perspectives of public health, and we focus on sep-
aration and detection because they are two of the most important steps toward practical
applications in disease detection, food safety analysis, and environmental monitoring
and detection. The reviewed topics are closely associated with public health based on
three aspects: (1) Prevention and early monitor of infectious diseases such as detection of
COVID-19 viruses necessitates the demand to apply the microfluidics-based separation
and detection methods; (2) Microfluidics also inspires novel routes to develop the vaccine
products to effectively treat the diseases which may result in big public health impacts;
and (3) The rapid growth of microfluidics-based separation and detection technologies also
leads to point-of-care diagnosis which enables people to monitor their health conditions
using portable devices at home, and this significantly mitigates the needs to seek medical
assistance at hospitals and therefore promotes the public health level. The review paper
is structured as follows: first, various microfluidic separation methods for public health
are summarized and discussed. Subsequently, microfluidic detection methods applied
to public health are systematically presented. Finally, the challenges and prospects of
microfluidic separation and detection technology are discussed.

2. Microfluidic Separation Methods

Microfluidics technology is an interdisciplinary subject with many applications in
various fields, such as biomedical, chemistry, disease diagnosis, and electronics indus-
try [34]. Microfluidic devices have key functions in biomedical research, such as sample
pretreatment, fluid processing, biosensing, separation and monitoring, and signal detec-
tion [35]. Among them, the microfluidic separation and classification of biological targets
is quite essential for biological analysis and clinical diagnosis [36], which can be achieved
with lab-on-a-chip (LOC), micrototal analytic systems (µTAS), and point-of-care (POC)
diagnostics [37]. Although the development of microfluidic technology is still in its early
stage, it has the potential to affect many fields from chemical synthesis and biological anal-
ysis to the disciplines of optics and information technology [38]. Microfluidic devices are
able to create dynamic environments where the gradient of physiological conditions (such
as pressure, temperature, and flow rate) can be kept constant, which have a low regent
consumption and realize the quantitative assessment of cell migration [39]. For instance,
the separation of cells to determine the content of biological molecules such as DNA, RNA,
proteins, and lipids is essential in cell biology research, as well as diagnostic and therapeu-
tic methods [40]. In the diagnosis of anemia, sorting and counting of red blood cells (RBCs)
is of great importance [41]; in the diagnosis and treatment of HIV disease, the separation
of CD4+ T cells from whole blood cells is essential [42]; and isolation of circulating tumor
cells (CTCs) from blood cells is important for early diagnosis of cancer [43]. Microfluidic
separation is also applied on the screening of cells, which is important in the detection
of cancer cells [44,45]. The microfluidic separation of cells is based on their differences
in physical properties [46]. When identifying CTCs, different cancer cells of epithelial
origin need to be separated [47]. Suresh et al. investigated connections between single-cell
mechanical properties and subcellular structural reorganization from biochemical factors
in the context of gastrointestinal tumor and malaria [48]. It was found that cancer cells have
larger sizes and higher deformability compared with healthy cells [49]. The deformability
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difference of normal red cells and red cells infected with malarial parasites can explain the
mechanism of the spleen to remove parasitized red cells from the circulation of hosts [50].
In the past few decades, various separation and sorting methods have been developed for
the separation of cells. Microfluidic separation and sorting has many advantages, including
decreasing sample volumes, speeding up sample processing, enhancing sensitivity and
spatial resolution, reducing device cost, increasing portability [51], reducing processing
cost [52], raising efficiency [53], and contributing to environmental compatibility [54].
The application of polymer materials in microfluidic devices fabrication provides simple,
cost-effective, and disposal advantages [55]. In order to avoid sample pollution by using
biochemical markers, microfluidic techniques for label-free differentiation and fractional
of cell population have been developed [40]. Droplets often act as microreactors for en-
capsulation. Since it can be important to ensure the droplets contain precise volume and
composition or to ensure uniformity of emulsions, the separation and sorting of droplets
should be taken in consideration, which can be realized by microfluidic approaches [56].

Microfluidics can be divided into two categories based on the scale: continuous mi-
crofluidics and digital microfluidics, [57–59]. Microparticle separation can be categorized as
active and passive methods based on their manipulating forces [60]. In passive techniques,
microfluidic devices do not use external forces for sorting or separation but rely purely
on microfluidic phenomena and the interaction of the fluid with the geometrics of the
microfluidic devices [61], while active sorting techniques involve an external field [62]. By
comparing the advantages and disadvantages of passive and active techniques, Sajeesh
and Kumar [36] concluded passive techniques are preferred in applications where energy
input is of critical concern, whereas active separation techniques are preferred where higher
particle sorting efficiency is required. The recent advances in separation and detection of
whole-blood components were reviewed by Doddabasavana et al. [63]. The performance of
microfluidic separation is evaluated according to the separation time, separation efficiency,
throughput rate, and clogging filtration. According to separation approaches, separation
techniques can be divided into passive and active methods [64]. The present paper focuses
solely on passive separation/sorting approaches because they are easier to implement
and thus can find more applications for public health, especially in developing countries
or regions where people have limited access to costly apparatuses to energize the active
separation approaches.

2.1. Pinched-Flow Fractionation (PFF)

The continuous sizing of particles in a microchannel is based on the characteristics
of the laminar flow profile [65], and complicated outer field control is eliminated, which
is usually required for other kinds of particle separation methods. Therefore, PFF can be
applied both for particle analysis and for the preparation of monodispersed particles where
energy input is of critical concern. The separation resolution in PFF is a function of the mi-
crochannel aspect ratio, particle size difference, and the microchannel sidewall roughness.

The work of Jain et al. [66] showed that particles with diameters on the order of the
sidewall roughness cannot be separated in PFF devices with symmetric channels due
to the same resistance in all outlet channels. Ma et al. [67] investigated the separation
performance of an as PFF device by employing an immersed boundary-lattice Boltzmann
method (IB-LBM), and the results showed that an adaptive regulating flux can be deter-
mined for each case to sort the cell mixture effectively. Yanai et al. [68] proposed a new
hydrodynamic mechanism of particle separation in asPFF microchannel networks based
on three-dimensional (3D) laminar flow profiles formed at intersections of lattice chan-
nels, and they confirmed that the depth of the main channel was critical for the particle
separation efficiencies.

Berendsen et al. [69] proposed a microfluidic chip (Figure 1) based on the tumbling
behavior of spermatozoa in pinched-flow fractionation which was used to separate sper-
matozoa from erythrocytes. Their study demonstrated a high extraction efficiency of 95%
spermatozoa from a sample containing 2.5% spermatozoa while removing around 90% of
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the erythrocytes. Maenaka et al. [70] examined the availability of PFF for monodisperse
droplets generated at the upstream T-junction via high-speed imaging. They reported a
microfluidic system for continuous and size-dependent separation of droplets utilizing
microscale hydrodynamics, which would be difficult for normal-scale schemes, such as
centrifugation or filtration. Morijiri et al. [71] developed a microfluidic system based on
the sedimentation effect of PFF, utilizing the inertial force of particle movement induced by
the momentum change in the curved microchannel and the centrifugal force exerted on the
flowing particles. In the study of Sai et al. [72], tunable pinched-flow fractionation (tunable
PFF) was proposed as a modification of PFF with the introduction of a microvalve, where the
effluent positions of the target particles can be controlled independently of the microchannel
structure, which succeeded in separation micron and submicron-size polymer particles. Vig
et al. [73] proposed a method for enhancing the separation of seven different polystyrene
bead diameters ranging from 0.25 µm to 2.5 µm in PFF devices by a serpentine structure in
the broadened segment, and the results demonstrated an amplification in the separation of
up to 70%. Among the current microfluidic separation approaches, PFF is a cost-effective
choice because of the simplicity of the device. However, there is a restriction for this method
when vortices occur after the pinched segment with high Reynolds number (Re >> 1).

μ μ

 

Figure 1. Pinched-flow fractionation (PFF) chip using a tumbling mechanism. The figure has been reproduced with
permission from Springer Nature [69].

2.2. Inertia and Dean Flow

In fluid dynamics, secondary flow is a flow pattern, which is relatively weaker than
the primary flow. The secondary flow can be controlled by the fluidic forces and the shape,
size, and position of inserts [74]. In the study of macroscopic rigid spheres in Poiseuille flow
by Segre and Silberberg particles migrated away from the wall and then accumulated at an
equilibrium position of 0.6 from the axis around the tube radius due to lateral forces [75].
When a particle moves along a straight microchannel, two inertial lift forces are acting
on the particle: shear-gradient-induced lift force, and wall-effect induced lift force [76].
Deformable particles contained in biomedical suspensions are underlying deformability-
induced lift forces which lead to differences in dynamics [77]. The motion of a deformable
particle in shear flow was studied by Bayareh and Mortazavi [78–80] with neglecting the
gravity influence. Their results demonstrated that the equilibrium position of suspended
particles is affected by the wall effect, deformability and sizes of particles, Reynolds number,
density and viscosity ratio, etc. The nonlinear effects in finite-Reynolds-number flow were
investigated, including the tubular pinch effect in cylindrical pipes [75]. Liu et al. [81]
explored the focusing positions of different particle sizes in four focusing configurations for
the separation of plasma, red blood cells, and cancer cells from the blood. The wall-induced

81



Micromachines 2021, 12, 391

inertia is significant in the thin layers near the walls where the lift is close to that calculated
for linear shear flow, which increases dramatically with increasing Re above about 100 [82].
By analyzing the spatial distributions of spherical particles, Kim et al. [83] concluded the
lateral migration of particles are induced by the high shear rate due to the small-scale effect
and the particle equilibrium position as a function of Re. They observed the migration
of particles markedly occurs at a very low Reynolds number and the critical Re when in
the range of 20 to 30. Moreover, the inertial migration of spherical particles in a circular
Poiseuille flow was numerically investigated with a Re smaller than 2200 [84]. A conclusion
was drawn that the hydrodynamic interactions between the particles in different periodic
cells have significant effects on the migration of the particles. The lateral migrations of
viscous capsules [85], liquid drops, and vesicles [86] were also investigated.

Inertial microfluidics was applied in deformability-based cell classification and enrich-
ment to reduce the complexity and costs of clinical applications [87]. Dean flow is a kind of
secondary flow that can be generated by the fact that when a fluid flow in a curved pipe
with a small radius of curvature, the flow has helical streamlines [88]. Focusing of particles
suspended in solutions is largely independent of centrifugal forces, which suggests that
Dean drag is the dominant lateral force to balance the influence of lift forces [89]. Di Carlo
et al. [90] evaluated the migration attributed to lifting forces on particles in microfluidic
devices by fabricating straight and curved microchannels under laminar flow conditions,
when ordering is observed to be independent of particle buoyant direction. They devel-
oped a theoretical description of the underlying forces and a semiempirical relationship of
cutoff and the channel geometry [91]. Inertia and Dean flow fractionation were applied in
microfluidic separation and sorting of biochemical sample mixtures [40,75,92].

The concept of inertial microfluidics was used in continuous separation of a multipar-
ticle mixture in a simple spiral microchannel coupled with rotational Dean drag [93]. In
inertial microfluidic experiments, the particle diameters cannot be very small compared to
the characteristic channel length scale, and the Reynolds number of the particle is in order
of 10 [94]. A spiral lab-on-a-chip (LOC) was used for size-dependent focusing of particles at
distinct equilibrium positions across the microchannel cross-section from a multiparticle
mixture [95], which exhibited 90% separation efficiency. Lee at al. [96] developed a spiral
microchannel system for the synchronization and selection of cancer cells at different phases
of cell cycle of blood to predict the condition of disease as shown in Figure 2b. Yousuff
et al. [97] proposed a new configuration of spiral channel, where collection outlets are a se-
ries of side-branching channels perpendicular to the main channel of egress in which closely
spaced particle streams can be collected separately. A novel inertial separation technique
using spiral microchannel having a stair-like cross-section was introduced for size-based
particle separation [98]. A spiral microfluidic chip was also employed for continuous
separation of CTCs [99] and sperm-like-particles (SLPs) [100] from blood.

The secondary flow induced by a microchannel with arc-shaped groove arrays was
studied by Zhao et al. [101] with numerical approaches, and their results showed the
secondary flow can guide different-size particles to the corresponding equilibrium positions.
In the experiments, the performance of particles focusing was relatively insensitive to
the variation of flow rate, which proves the availability of flow-insensitive microfluidic
separation method in a reliable biosample preparation processing step for downstream
bioassays. Yoon et al. [95] developed a size-selective separation system for microbeads by
using secondary flow induced by centrifugal effects in a curved rectangular microchannel.
The effects of curvature angles and channel heights on inertial focusing of microparticles in
curvilinear microchannels were also investigated by Özbey et al. [102], and an optimum
condition/configuration was obtained with a curvature angle of 280◦ at Re of 144 in the
transition region.

Inertial size separation can be achieved in a contraction–expansion array (CEA) mi-
crochannel by a force balance between inertial lift and Dean drag forces in fluid regimes in
which inertial fluid effects are significant [103]. In CEA systems, similar effects compared to
Dean flows are produced by an abrupt change of the cross-sectional area, which is balanced
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by inertial lift forces throughout the contraction regions [81]. The CEA microchannels
are applied for high-yield blood plasma separation with a level of 62.2% yield [104]. A
fishbone-shaped microchannel was proposed by Kwak et al. [105] to separate platelets,
erythrocytes, and leukocytes from human blood.

 
Figure 2. (a) Schematic diagram of multiorifice flow fractionation (MOFF) device. The figure has been reproduced with
permission from the American Chemical Society [76]. (b) Schematic illustration of the spiral microfluidic design developed
for cell-cycle synchronization. The figure has been reproduced with permission from the Royal Society of Chemistry [96].

Sim et al. [76] developed a novel separation method named as multiorifice flow
fractionation (MOFF), where a microparticle moves laterally driven by the hydrodynamic
inertial forces due to a multiorifice structure (Figure 2a). To improve the low efficiency
of single-stage multiorifice flow fractionation (SS-MOFF) in separation for large particles,
multistage multiorifice flow fractionation (MS-MOFF) was developed to isolate rare cells
from human blood with a recovery increased from 73.2% to 88.7% while the purity slightly
decreased from 91.4% to 89.1% [106]. A parallel multiorifice flow fractionation (p-MOFF)
chip was developed and used for high-throughput size-based CTC separation, where CTCs
can be focused at the center of the channel due to the wall-effect-induced lift force [107].

Separation of suspension in symmetric and asymmetric serpentine microchannels is
also driven by inertial and Dean effects. Yuan et al. [108] investigated particle focusing
under Dean flow coupled with elasto-inertial effects in symmetric serpentine microchannels,
which demonstrated acceleration of particle focusing and reduction of channel length.

Compared with PFF, techniques based on inertia and Dean flow can be applied in
higher Reynolds number flow since they are based on the balance of inertial shear-gradient-
induced lift force and wall-effect-induced lift force, where the Reynolds number is generally
in the range of 10–270 [34].

2.3. Deterministic Lateral Displacement (DLD)

Deterministic lateral displacement (DLD) is a microfluidic particle-separation device with
asymmetric bifurcation of laminar flow around obstacles. When particles in solution moving
through an array of obstacles, their paths are determined based on their sizes and deformability.
The lateral displacement can be accumulated by a periodically arranged obstacle array which
lead to a macroscopic change in migration angle, thus realizing particle separation [109].
Frechette et al. [110] used Stokesian dynamics simulation to study the dynamics of non-
Brownian spheres suspended in a quiescent fluid and moving through a periodic array of
solid obstacles under the action of a constant external force. It was found that moving particles
were locked into periodic trajectories with an average orientation that coincides with one of
the lattice directions. Generally, the arrangement of obstacle array has two configurations: a
square array [111] and rhombic array obstacles (Figure 3a) [112]. The critical particle size for
fractionation was investigated by Inglis et al. [113] who built a model based on the micropost
geometry, where the fluid is driven by hydrodynamics or by electro-osmosis.

The fraction of whole-blood components and extraction of blood plasma without
dilution was achieved by a continuous-flow deterministic array without dilution [114,115].
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Blood components including white blood cells, red blood cells, and platelets can be sepa-
rated by their hydrodynamic diameters from blood plasma at flow velocities of 1000 µm/s
and volume rates up to 1 µm/min. A disposable parallel DLD device was applied for
enrichment of leukocytes from blood with a throughput of greater than 1 mL/min [116].
With the utilization of an array of triangular instead of circular posts, the performance of
DLD devices can be improved by reducing clogging, lowering hydrostatic pressure require-
ments, and increasing the range of displacement characteristics [117]. The DLD arrays
with other shapes were investigated, including triangle [117], airfoil [118], I-shaped [119],
L-shaped [120], asymmetric shape [121], and optimized shape [122], which have been used
instead of cylindrical one. The elastomeric properties of PDMS were utilized to achieve
tunable particle separation in DLD devices [123]. With the introduction of an external force,
a concept of force-driven DLD was proposed [124]. For overdamped particles under the
action of external forces, the trajectories are periodic, and the migration angle corresponds
to a tangent bifurcation [125]. Devendra et al. [126] investigated the continuous size-based
separation of suspended particles in gravity-driven deterministic lateral displacement
(g-DLD) devices. (Figure 3b) In their experiments, directional locking angles were strongly
depended on the size of the particle, and the results suggested that relatively small forcing
angles are well suited for size-fractionation purposes. In an upscaled DLD device, larger
gaps were utilized instead of micrometer-sized gaps between the posts, where particles
above a critical size were better separated [127].

 

μ

Figure 3. (a) Schematic of deterministic lateral displacement (DLD) chip with post placed at an angle to the flow direction.
The figure has been reproduced with permission from the Royal Society of Chemistry [112]. (b) Microscopic image of
gravity-driven deterministic lateral displacement (g-DLD) device. The figure has been reproduced with permission from
the American Chemical Society [126].

DLD devices are also employed for the separation of CTCs [128], sleeping para-
sites [111], and deformable particles [129–131] by applying different pressures to the
flowing fluids. A novel method for passive separation of microfluidic droplets by size
using DLD was proposed by Joensson et al. [132], which showed a rate of 12,000 droplets/s
with an 11 µm diameter. DLD separation for droplets can be accelerated by cell-induced
shrinking [133]. A microfluidic DLD device was applied for spore purification to reduce the
amount of debris in a suspension of fungal spores with almost 100% purity and recovery
in continuously microspheres [134]. DLD techniques are suitable for the sorting of kinds of
biological particles and droplets, but such a method requires an array of posts.
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2.4. Microscale Filters

Microscale filters are widely employed in the separation of bioparticles/droplets
based on size and deformability [40]. The most commonly used types of microfilters are
categorized as dead-end mode [135], where the low is perpendicular to the filter structure,
including membrane [136], planar [137], weir [138], pillar [139], and crossflow filters [114],
where the flow is in the direction of the filter plane [140].

Membrane-based separation is a pressure-driven process [141,142], which has been
widely used for microfiltration, ultrafiltration, reverse osmosis, ion-exchange, and gas sep-
aration [143]. The size-based crossflow separation can also be achieved using multistage
arc-unit structures in a microfluidic device as shown in Figure 4 [141]. Chen et al. [144]
proposed a method for preparation of microfiltration membranes made up with cellulose
acetate (CA) blended with polyethyleneimine (PEI), where PEI can provide coupling sites
for ligands in affinity separation or be used as a ligand for metal chelating, endotoxin
removal, or ion exchange. In the study of Aussawasathien et al. [145], electrospun nylon-6
nanofibrous membranes were employed as prefilters for separation of micron to submi-
cron particles from water due to their excellent chemical and thermal resistance as well
as high wettability. A PDMS-membrane microfluidic immunosensor was used for rapid
detection of foodborne pathogens integrated with a specific antibody-immobilized alu-
mina nanoporous membrane. By sandwiching a filter membrane between a two-layer
chip, Liu et al. [146] developed a vacuum-accelerated microfluidic immunoassay (VAMI),
which could simultaneously achieve higher sensitivity and require less time compared
with conventional microfluidic immunoassays. Nam et al. [136] proposed a novel effective
manufacturing process that uses reusable 3D silicon molds with microneedle and microb-
lade shapes to form submicron-sized nanopores and slit arrays in PDMS films. This process
has been successfully applied to trap submicron-sized bacteria with a filter recovery rate of
90.1%. A superhydrophilic membrane with rough and hierarchical structures was used
in the separation of oil-in-water emulsions since it can be fouled by surfactant-stabilized
oil and organic foulants [147]. Ng et al. [148] designed and fabricated different gradient
ceramic membranes including one-, two-, and three-layer ceramic membranes with a low
total resistance, which demonstrated that the gradient porous membrane can be used to
enhance the filtration performance.

 

μ
μ

Figure 4. Crossflow microfilter with multistage dual arc-unit structures. The figure has been repro-
duced with permission from Elsevier [141].

Besides membranes, various types of microfabricated filters have been developed
for microparticle separation. Crowley et al. [137] developed a planar microfilter for the
isolation of plasma from whole blood with a separation efficiency three times higher than
microporous membranes. An array of micropillars with a diameter of 12 µm and a height
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of 15 µm was arranged in I-shape as a filter for the separation of spherical and nonspherical
particles [139]. Compared with pillar type, the microfilters of weir type show a higher
separation efficiency due to the small gap of pillar [149]. A slanted weir microfluidic device
was applied for the separation of CTCs from the peripheral blood, which showed a 97%
separation efficiency as well as an 8-log depletion of erythrocytes and 5.6-log depletion of
leukocytes [138]. As a modification, a cascading weir-type microfilter was constructed by
Wu et al. [140] for plasma separation from blood samples.

The separation of microparticles was reported to be achieved in crossflow micro-
filters for cell biology research or various diagnostic and therapeutic applications, in-
cluding cells extraction [150–152], plasma fabrication [137,153], leukapheresis [154], and
myocytes/nonmyocytes from neonatal rat myocardium [155]. A microfluidic technique
was proposed for separation of white blood cells (WBCs) from whole human blood, where
the separation was performed in crossflow in an array of microchannels with a deep main
channel and a large number of orthogonal and shallow side channels [151], as shown in
Figure 5. The flow and shear stress characteristics inside a crossflow filter were studies by
Mielink et al. [156] with employing microparticle image velocimetry (micro-PIV) measure-
ments and computational fluid dynamics (CFD) analysis, demonstrating filter performance
can be improved since substantial increase in the local wall shear can reduce clogging and
cell cake formation.

 

μ

Figure 5. (a) Drawing of the microfluidic device, ports labeled 1–4 are blood inlet, perfusion inlet,
WBC outlet, and RBC outlet, respectively; (b) blowup of a fragment of the separation network
outlined with a dotted line in (a) turned counterclockwise by 90◦ with respect to (a); (c) cross-
sectional view of channels in the separation network, dimensions are not to scale; (d) blowup of E
channels outlined with a dotted line in (a). Channel depths, 25, 9, and 3 µm, are grayscale coded in
(a,b,d). The figure has been reproduced with permission from the American Chemical Society [151].

Moorthy et al. [157] proposed in situ fabrication of porous filters using emulsion
photopolymerization for microsystems to mimic the functionality of the centrifuge and
power requirements as well as enabling the handling of small sample volumes. A novel
microfluidic device constituted by microfilter, micromixer, micropillar array, microweir,
microchannel, and microchamber was fabricated and used for isolation of WBCs from RBCs
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of whole blood [152]. Aran et al. [158] developed a microfiltration system consisted of a two-
compartment mass exchanger with two aligned sets of PDMS microchannels, separated by
a porous polycarbonate (PCTE) membrane. Lo et al. [159] described a multichamber device
with porous membranes incorporated with variable pore sizes between the compartments
within the microfluidic device, where nonhomogenous cell mixtures can be fractionated
into different compartments in stages and collected for further analysis.

2.5. Other Hydrodynamic Methods

Besides the methods listed above, other hydrodynamic methods are also explored to
be employed in separation of microparticles, including hydrodynamic filtration [160–163],
Zweifach–Fung effect [164–169], trilobite separator [170–174], microvortex [175], and micro-
hydrocyclone [176]. For particles flowing in a microchannel, their center positions cannot
be at a certain position where the distance from sidewalls is equal to the particle radius.
Yamada et al. [160] proposed the method of hydrodynamic filtration (HDF) for continuous
concentration and classification of particles within microfluidic devices. By withdrawing a
small amount of liquid repeatedly from the main streams through the side channels, parti-
cles are concentrated and arranged on the sidewalls by repeatedly drawing a small amount
of liquid from the main flow through the side channel. Then, the concentrated and arranged
particles can be collected through other side channels in downstream according to their
sizes. Therefore, continuous introduction of the particle suspension into the microchannel
can simultaneously perform particle concentration and classification. In this method, the
flow profile inside the precisely manufactured microchannel determines the size limit of the
filtered materials. Thus, the separation for small particles in much larger channels avoiding
the problem of channel clogging. This device was applied for blood cell classification [161],
as shown in Figure 6, and the sorting efficiency of hydrodynamic filtration device was
dramatically improved by employing a flow splitting and recombination scheme [162].
Chiu et al. [163] proposed a microfluidic chip to separate microparticles using crossflow
filtration enhanced with hydrodynamic focusing, which is needed to make soft lithograph
fabrication to create microchannels and uses novel pressure bonding technology to make
high-aspect-ratio filter structures.

Zweifach–Fung effect was the principle that a particle tends to follow the high-flow-
rate channel when it reaches a bifurcation region [164]. This effect was employed for the
separation of RBCs from plasma [165] and whole blood [166] and bacteria from blood [167].
The suspension stability of the blood was investigated by Fahraeus [168], and aggregation
was observed to occur at a high concentration of blood under the influence of gravity
and surface charge. Based on the characteristics of blood, Geng et al. [169] developed a
device for separation of plasma from whole blood using a combination of Zweifach–Fung
bifurcation law, centrifugation, and diffuser–nozzle effect.

Sample concentration or enrichment for rare particles in centrifugal separator often
results in the cell being crushed and congregated during processing. Aiming to develop
a nonclogging microconcentrator, Dong et al. [170] proposed a trilobite microchip for
CaSki cells concentration using streamlined turbine blade-like micropillars based on the
counter-flow principle. Hønsvall et al. [171] developed a microfluidic chip for continuously
concentrating rigid cells in moving fluids based on a trilobite structure, which appears to
be a promising tool for preconcentrating microalgae that are difficult to harvest due to their
repelling properties or small size. The separation and concentration characteristics of the
so-called trilobite separation unit was characterized experimentally by Mossige et al. [172].
With the introduction of a tunable structure, an increase in flow rate for low-pressure drops
can be realized thus enabling clog-free particle separation of complex algal cells [173,174].
Besides the methods above, microvortex manipulator (MVM) [175] and microhydrocy-
clone [176] are also categorized as hydrodynamic methods for microfluidic separation
and focusing of particles. The major public-health-related microfluidic separation/sorting
technologies working in a passive way are summarized in Table 1.
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Figure 6. Principle of particle classification and concentration: (a) particle behavior at a branch point;
(b) schematic diagram of particle classification and concentration in microchannel having multiple
branch points and side channels. The figure has been reproduced with permission from John Wiley
and Sons [161]. “a” represents a particle can enter the side channel, “b” and “c” represent particles
that cannot enter the side channel; “d” represents the area where particles larger than a certain size
cannot pass through; “e” represents the downstream area where particles are removed from the main
stream in ascending order of size. A is the borderline and when a particle flows in the right region of
the borderline, such a particle can enter the side channel.

Table 1. Public-health-related passive approaches for microfluidic separation.

Categories Examples References

Pinched-flow fractionation (PFF)

Symmetric PFF [65]
AsPFF [67,68,70,73]

Tumbling mechanism in PFF [66]
Sedimentation PFF [71]

Tunable PFF [72]

Inertia and Dean flow

Inertial and Dean flow fractionation [40,79,89,93]
Spiral microchannel [97–100]

Curvature angles [90,101,102]
CEA [83,103–105]

Multiorifice [66,106,107]
Serpentine microchannel [108]

Deterministic lateral displacement (DLD)

DLD [109–115,127–131,134]
Disposable parallel DLD [116]

Optimized shape [117–122]
Tunable DLD [123]

Force-driven DLD [124–126]
Droplet shrinking [132,133]

Membrane [136,144,145,147,148]

Microscale filter

Vacuum-accelerated microfluidic
immunoassay (VAMI) [146]

Planar microfilter [137,139]
Weir microfluidic device [138,140]

Crossflow microfilter [150–156]
Porous filter [156,158]

Multicompartment [159]

Other hydrodynamic methods

Hydrodynamic filtration [160–163]
Zweifach–Fung effect [164–169]

Trilobite separator [170–174]

Microvortex [175]

Microhydrocyclone [176]
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3. Microfluidic Detection Methods

Microfluidic-method-integrated detection equipment has been becoming an ideal
portable device for field sampling. Moreover, it improves the efficiency, sensitivity, and
accuracy of detection and has advantages of rapid analysis, less usage of sample, and real-
time characterization. Herein, microfluidic-based detection methods were summarized,
including electrochemical detection, optical detection, and magnetic detection.

3.1. Electrochemical Detection

Electrochemical methods have advantages of shorter testing time, simpler device,
and low cost, which can be classified into amperometric detection [177,178], impedimetric
detection [179,180], and potentiometric detection [181]. Amperometric detection was
formed when electroactive substances or electrolytes containing ions are under the action
of an electric field, and they can be separated and detected effectively. Shiddiky et al.
proposed an electrochemical detection method combined with micellar electrokinetic
chromatography to separate and detect trace phenolic compounds in water [182]. They first
used field-amplified sample stacking (FASS) and field-amplified sample injection (FASI) to
separate the samples from water and then used cellulose-double-stranded DNA modified
screen-printed carbon electrode to amplify the electrooxidation sensitivity of eight phenolic
compounds. Hiraiwa et al. developed a method that used microtip immunoassay to detect
the Mycobacterium tuberculosis (MTB) in sputum [183]. The microtip coated by antibodies
was used to capture targeted bacteria. After that, the microtip surface would be covered
by immunocomplex which can be detected by electric current. The detection limit of this
method was 100 CFU per milliliter.

Impedimetric detection is a method using electrochemical impedance spectroscopy
(EIS) for analysis. It has merits of the advantages of label-free and less amplitude distur-
bance [184]. As shown in Figure 7a, Cecchetto et al. proposed a label-free impedimetric
detection method with a gold electrode modified by an anti-NS1 and a nonstructural
dengue protein antibody to diagnose the dengue by detecting neat serum through the
resistance changes resulting from the target binding [185].

Potentiometric detection is based on the potential change in an electrode in an electro-
chemical cell. The advantages of potentiometric biosensors are small volume, fast response,
easy to use, low cost, anticolor, antiturbidity interference, and independent of sample
volume [186,187]. For example, an electrochemical paper-based analytical device (EPAD)
was designed to measure the concentrations of electrolyte ions (Cl−, K+, Na+, and Ca2+).
In this design, ions were able to across the paper channels slowly so that accuracy was
improved [188].

3.2. Optical Detection

Optical detection utilizes the properties of light, such as absorbance, fluorescence,
and the emission mode of the sample when excited. Among optical detection methods,
the fluorescence method is commonly used because it is sensitive, cheap, fast, and easy
to operate [189]. The key to designing a fluorescence biosensor is fluorescent dyes or
the labeling of fluorophores. Using fluorescence resonance energy transfer (FRET) is one
of the most typical strategies, referring to the energy transfer from a donor fluorophore
to an acceptor fluorophore [190]. Moreover, some nanomaterials also have fluorescence
signals under specific conditions base on their unique properties of physical, chemical,
and electronic transport. As shown in Figure 7b, Takemura et al. [191] designed an optical
detection method using quantum-dots-based immunofluorescence to detect nonstructural
protein 1 (NS1) of Zika virus. The fluorescence intensity signal was amplified and detected
by a localized surface plasmon resonance (LSPR) signal from plasmonic gold nanoparticles
(AuNPs). This sensor can detect NS1 of Zika virus ultrasensitively, rapidly, and quantita-
tively. In addition to the fluorescence method, absorbance of samples can be used to realize
target analysis. For example, the analysis of UV absorption of nitrite samples can be used
to determine the nitrite level in water [192].
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Recently, surface-enhanced Raman scattering (SERS) spectroscopy has advantages
of strong signal intensity, excellent photostability, biocompatibility, and especially the
multiplexing ability, which makes it become a popular optical imaging and detection
tool. For example, Wang et al. [193] first used folic acid (FA) functionalized gold (Au)
SERS nanoparticles to detect CTCs in the presence of white blood cells successfully. Wu
and co-workers have improved the sensitivity and specificity of CTC detection using the
SERS properties of gold or silver with various shapes [194]. Moreover, Quang et al. [195]
successfully demonstrated that the portable Raman spectrometer can be used to detect
dipicolinic acid (DPA) and malachite green (MG) in real time, combined with a micropillar
array chip.

3.3. Magnetic Detection

In the past few decades, the magnetic phenomenon of magnetic materials has been
widely concerned, which is used to realize the sensitive detection of analytes [196]. Com-
pared to the optical detection method, the magnetic detection method has advantages
of low cost and high detection efficiency because of the elimination of expensive optical
elements and the use of a magnetic field to shorten the sample preparation time [197,198].
Moreover, because biological samples have few magnetic background signals which can be
ignored, the magnetic detection method has high specificity, sensitivity, and signal-to-noise
ratio [199]. Hong et al. constructed an automated detection device for H7N9 influenza
virus hemagglutinin, assisted by three-dimensional (3-D) magnetophoretic separation and
magnetic label [200]. As shown in Figure 7c, a 3-D microchannel network with two-level
channels was generated with multilayer glass slides under a magnetic field perpendicular
to the microchannel. After the immunomagnetic separation, a magnetic-tagged complex
was captured by an antibody-modified glass capillary, which causes the change of voltage
in the miniature tube liquid sensor and therefore to obtain the detection signal. This work
achieved the detection limit of 8.4 ng mL−1 for H7N9 hemagglutinin, with good specificity
and reproducibility. Wu et al. [201] reported a Z-Lab point-of-care (POC) device which can
detect swine influenza viruses sensitively and specifically reducing the dependence on the
demands of sample treatment and operational skills sample handling and laboratory skill
requirements. In this work, a portable and quantitative, giant magnetoresistive (GMR)-
based immunoassay platform was designed to detect IAV nucleoprotein (NP) and purified
H3N2v. It can achieve quantitative results within 10 min with a detection limitation of 15 ng
per milliliter for IAV nucleoprotein, and 125 TCID50 per milliliter for purified H3N2v. Wu
et al. [202] also introduced a new magnetic particle spectroscopy (MPS)-based biosensing
scheme, where self-assembly magnetic nanoparticles (MNPs) can be used to detect H1N1
nucleoprotein molecules quantitatively. This work verified that it is reliable to use MPS
and the self-assembly of MNPs to detect ultralow concentrations of targeted biomolecules,
which can be applied on rapid, sensitive, and wash-free magnetic immunoassays.

Although these detection methods have good performance, they still have many
shortcomings [203]. For electrochemical detection methods, they have high sensitivity,
fast response, and low cost, but stability and susceptibility to interference are weak [204].
Optical detection methods have advantages of rapid response, flexibility, and experimental
simplicity, but they are impacted by a high fluorescence background and short fluorescence
lifetime [205]. Magnetic detection methods have advantages of low cost, high detection
efficiency, high specificity, sensitivity, and signal-to-noise ratio but are limited by a shortage
of miniaturized magnetic readout systems [206].
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Figure 7. (a) Steps of electrode functionalization of the impedimetric biosensor to test neat serum for dengue diagnosis.
The figure has been reproduced with permission from Elsevier [185]. (b) Schematic representation of the localized surface
plasmon resonance (LSPR)-amplified immunofluorescence biosensor. The figure has been reproduced with permission from
Takemura et al. [191]. (c) Schematic of the detection device based on the 3-D magnetophoretic separation and magnetic
label. The figure has been reproduced with permission from the American Chemical Society [200].

4. Prospects of Microfluidics for Public Health Applications

In this paper, the emerging microfluidics studies for separation and detection have
been overviewed, which have been widely applied in public health. In the context of an
epidemic of infectious diseases, point-of-care diagnostics have become a matter of great
concern, which enable people to implement home quarantine and real-time health moni-
toring. This method can cut off the source of infection and thus greatly reduce the rate of
infection rate. Meanwhile, the fast development of microfluidics in the field of medicine
enables point-of-care diagnostics to be realized. As mentioned above, microfluidics has ad-
vantages of less sample consumption, fast detection speed, facile operation, multifunctional
integration, lower cost, and portability. The employment of microfluidic devices combined
with point-of-care diagnostics can reduce the cost of public health care. Microfluidics can
be well applied on virus detection, for example COVID-19 diagnosis. COVID-19 can be
detected from saliva and respiratory samples of nasopharyngeal and oropharyngeal swabs
by quantitative reverse-transcription polymerase chain reaction (qRT-PCR). COVID-19 can
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be identified through the variations of many biomarkers such as immunoglobulins, cy-
tokines, and nucleic acids. Fast and accurate detection of these biomarkers by microfluidic
system can be helpful in early diagnosis of COVID-19. Moreover, a microfluidic system
combined with smartphones may realize the real-time health monitoring of individuals
or populations during and after COVID-19 outbreaks. However, some detections such
as impedance-based microfluidic devices and optical microfluidic devices require bulky
instrumentation for the quantification of results. Besides, most samples require multiple
pretreatments before detection. Therefore, although microfluidics combined with point-
of-care diagnostics have the potential to allow the rapid detection of COVID-19 or other
diseases, there is still a gap to be bridged.

Microfluidic techniques can also be applied in continuous production of vaccines [207].
For instance, the range of technology platforms for COVID-19 vaccines includes nucleic
acid (DNA and RNA), virus-like particle, peptide, viral vector (replicating and nonreplicat-
ing), recombinant protein, live attenuated virus, and inactivated virus approaches, where
microfluidic approaches can be applied [208–210]. Microfluidic devices were employed
for vaccine therapy and delivery, especially for the administration of nucleic-acid-based
vaccines by employing the host cell’s transcriptional and translational capability to produce
the desired protein, since uniform microspheres of DNA/RNA with a very narrow size
distribution can be produced precisely [211]. Compared with other kinds of vaccines,
because the vaccines of DNA or RNA do not have a viral coating, there is no requirement to
invoke antibody reactions in order to suppress vaccine efficiency. Moreover, such vaccines
are safe and easy to produce, thus presenting the opportunity for combining the genetic
information of various antigen epitopes and cytokines [212].

5. Conclusions

Dramatic growth in microfluidic and lab-on-a-chip technologies has paved a way
for the development of appropriate separation and detection-based diagnostics with the
goal of improving local and global public health and thereby has attracted considerable
efforts and resources in the past decade. Access to effective and efficient separation and
detection methods has become increasingly important especially during the pandemic
period. However, there exist several key factors that affect the introduction, acceptabil-
ity, and sustainability of these technologies for practical applications; one of the greater
challenges in deploying microfluidic diagnostic systems on a larger scale and to a wider
extent is how to bring the cost down closer to the cost of the most inexpensive of current
tests. The second challenge is that the performance of these methods is not good enough
and needs to be further improved. This can be achieved by using a multistep method,
which may lead to higher particle or cell separation performance. At the same time, a
multistep method requires complicated configuration and a higher level of automation
and integration technology. In addition, the production capacity of microfluids is far from
meeting the actual needs. By increasing the number of devices running in parallel or the
number of separation or detection units in the same microfluidic system, it is inevitable to
enlarge the microfluidic technology. Accuracy and repeatability are also very crucial, and it
is expected that an automated apparatus should be used as much as possible without much
intervention from human operators. More sustainable efforts are required in the future to
apply microfluidic technologies in developing more effective clinical or point-of-care tools,
as well as detection systems to monitor the environmental conditions.
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