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Abstract

An impedimetric biosensor is used to measure electrical impedance changes in the presence of
biomolecules from sinusoidal input voltages. In this paper, we present a new portable impedance-
based biosensor platform to improve the sensitivity of immunoassays with microparticles as a
label. Using a 2x4 interdigitated electrode array with a 10/10 um electrode/gap and a miniaturized
impedance analyzer, we performed immunoassays with microparticles by integrating a
microfluidic channel to evaluate signal enhancement. First, to understand the material dependency
of microparticles on the sensor array, magnetic, silica, and polystyrene microparticles were tested.
Among these microparticles, magnetic microparticles presented high signal enhancement with
relevant stability from the sensor array. With the magnetic microparticles, we demonstrate a series
of immunoassays to detect human tumor necrosis factor (TNF-a) and compare the level of signal
enhancement by measuring the Limit of Detection (LOD). With the microparticles, we achieved
over ten times improvement of LOD from sandwich immunoassays. By incorporating with sample
preparation and flow manipulation systems, this impedance sensor array can be utilized for digital

diagnostics for a real sample-in answer-out system.

Keywords: Interdigitated electrode array, microparticles, hydrodynamic force, digital

immunoassay, microfluidics, sensitivity enhancement
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Introduction

An impedimetric biosensor is a class of electrochemical biosensors that measures electrical
impedance change due to the presence of biomolecules!, cells 2, or labeled biomaterials® on a
working electrode by applying a sinusoidal voltage. This sensor has shown a promise for
digitalized point-of-care diagnostics (POC) due to low-cost, ease of miniaturization, multiplexing
ability, and label-free operation* >. To date, much effort has been made in conjunction with
developing a miniaturized platform with reduced complexity. Ha et al. developed an integrated
cell-counting assay system for malaria diagnosis consisting of a microfluidic chip and a small
impedance circuit board®. Another integrated diagnostic platform was proposed to detect
transgenic protein Cry1Ab consisted of a printed gold electrode chip and a microfluidic flow cell’.
For miniaturized and portable impedimetric biosensor platform, an impedimetric reader based on
the AD5933 chip was designed with a microfluidic channel on IDE array for Deep Vein
Thrombosis and pulmonary embolism diagnosis*. Although much effort has been done on
developing a miniaturized impedance biosensor, an easy-to-use and integrated platform with

sufficient sensitivity to conduct real immunoassays is poorly developed.

To improve the sensitivity of impedimetric biosensors, several design parameters have
been considered. Typically, an interdigitated electrode (IDE) is used for impedimetric biosensors
because they have the advantages of high signal-to-noise ratio, low ohmic drop, and fast attainment
of steady-state® °. Critical parameters of an IDE design are the sensing area, electrode gap, and
frequency range. The design of the IDE array!® !! itself can increase the overall sensitivity of IDEs
due to considerations of the overall sensing area!?. Electrode gap is the most significant parameter
on the sensitivity of IDE biosensors since the electric field between two electrodes can effectively
be changed during biomolecular binding events. The sensitivity will further increase when the
distance between the two electrodes decreases from micro-gap into nano-gaps'*-15. As the distance
between electrodes becomes smaller, the chances of short-circuiting of the electrodes by the
sample as well as labels increase, which can result in failed measurements. It should be also noticed
that nano-gaps will require a buffer solution with a very low ionic strength to maintain a proper
baseline, which can affect the antigen-antibody interaction!. Additionally, nano-gap IDE requires
complex fabrication procedures, resulting in higher manufacturing costs, lower yield rate, and

lower practicality. Therefore, the typical gap between the electrode fingers for biosensing
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platforms is suggested to be 1-10 pm!'”. The selection of an appropriate frequency is another key
parameter associated with assay sensitivity!®. At lower frequencies (< 1 kHz), the impedance is
dominated by the leakage resistance of the IDEs, which is highly sensitive to the electrode
material'®. For high frequencies above 100 kHz, solution resistance contributes to the net
impedance, and measurement errors increase from parasitic capacitances and inductances. In the
mid frequencies (1 kHz ~ 100 kHz), the measurement signals rely on the electrode surface
capacitance allowing the affinity binding on the IDEs to be detected?®. Therefore, most
impedimetric biosensors adopt a frequency between 1 kHz to 100 kHz, commonly around 10 kHz,
where the signal is relatively stable, and the impedance response is dominated by the interfacial

changes!0-20-22,

In addition to these design parameters, the overall sensitivity of impedimetric biosensors
can also be improved by using micro- or nano-particles as a label to amplify impedance signals by
inducing interfacial changes?3-?6. Although labeling with particles in electrochemical biosensors
has been widely used, it should be noted that the data recording under PBS is better since
electrochemical buffers being used for faradic measurements usually act as a mild oxidant that can
denature some proteins?’. Additionally, microparticle-labeling in non-faradaic (or capacitive)
biosensors are inherently simpler and more amenable for POC testing with the ability to make
measurements related to the change in interfacial capacitance during the affinity binding, without
redox reaction to be completed as is required in faradic biosensors!’. There are two distinct
approaches to improve overall immunoassay performance. By coating gold nanoparticles on a IDE
electrode electrochemically, overall surface area of the electrodes increased significantly so that
signal-to-noise ratio was promoted to detect TNF-02¢. Even though this work showed proper
improvement on sensitivity, the extensive surface preparation for IDE and biofunctionalization
and further fabrication steps limit to be more compelling POC platforms. Another approach is to
use micro/nanoparticles to improve overall sensitivity. Several studies have demonstrated the
effects of particle size and material on the sensitivity?® 2°. From theoretical analysis, labeling
particles can effectively block the electric fringing fields, resulting in an increment of impedance
with respect to the width and gap of the IDEs® 3°. With this principle, a sandwich immunoassay
for quantifying carcinoembryonic antigen was conducted using gold nanoparticles (GNP), and a
detection limit of 1 ng/mL was achieved?'. Similarly, a real-time impedance-based immunosensor

conjugating Galectin-1 antibodies to alumina nanoparticles was used to improve sensitivity and

4
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immobilization efficiency for quantifying of Galectin-1 protein?2. Even though labeling with these
particles has been utilized in various assays to improve the sensitivity, overall achievements are
insignificant due to a lack of understanding of the effect of these particles, comparison of the signal

enhancement with labeling, and implementing proper immunoassay procedures.

A typical microparticle based assay requires a microfluidic channel to induce controllable
hydrodynamic forces 32-34, It is found that hydrodynamic forces between 0.1 and 10 pN can rupture
non-specific bonds and that those between 6 and 250 pN preserve specific bonds®3-37. Therefore,
exploiting the controlled hydrodynamic washing forces imposed by the flow velocity in the
microfluidic channel is critical to knock down non-specifically bound microparticles from the IDE

array, improving the overall signal to noise ratio’®.

With these concepts using microparticle-based signal enhancement and a microfluidic
system, we developed a miniaturized impedimetric biosensor including all necessary components
for bioassays within a single platform, which consists of a gold IDE array chip for multiplexed
assays, a small custom-made 8-channel impedance analyzer connected to a semi-real time data
acquisition software, and a PDMS microfluidic channel for sample delivery and hydrodynamic
washing purpose (see Figure S1). To further improve the sensitivity of the immunoassay, we
incorporated a microparticle labeling method. First, we tested three different types of
microparticles at a fixed size to figure out the effect of material property and surface charges on
the readout sensitivity. From these preliminary tests, magnetic microparticles showed optimal
performance and were then utilized as labeling for human tumor necrosis factor-alpha (TNF-a)
immunoassay. Anti-human TNF-a was covalently bonded onto the IDE surface through EDC/s-
NHS mediated bioconjugation. Then different concentrations of the target analytes and anti-TNF-a
antibodies conjugated with magnetic microparticles were introduced as a detector. By obtaining
immunosensor responses (normalized impedance variation) from surface coverage of
microparticles settling on IDE electrodes, the limit of detection (LOD) was improved from 0.99

ng/mL for label-free detection to 83 pg/mL for microparticle-labeling bioassay.
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Materials and Methods

Design of the Impedance Sensing Platform

Impedance based immunosensors utilize the formation of immunocomplex (e.g., antibody as a
bioreceptor and specific antigen as its corresponding analyte) in a thin film configuration on the
electrode surface. This complex formation alters the interfacial capacitance and resistance at the
electrode/electrolyte interface. The electrical impedance signal is expressed as the ratio of the
voltage phasor to the electric current phasor. The discrepancy between these two phasors occurs
when electric fields on the sensing electrode are disrupted or/and altered by the presence of
biomolecules at the electrode interface. Here, a custom-made microfluidic impedance
measurement system is designed, as shown in Figure 1, consisting of a gold (Au) IDE array chip,
an impedance analyzing circuit, a data acquisition (DAQ) board associated with a LabVIEW
software, and a microfluidic channel. The Au IDE array chip having a finger width and spacing of
10 um was fabricated on a glass wafer based on a conventional photolithography process and
Ti/Au deposition to realize eight sets of IDEs on a square glass chip (30 x 30 mm). Electric
impedance in the analyzer circuit is measured by a 12-bit impedance converter chip, AD 5933
(Analog Devices Inc.). A detailed sketch of the setup is illustrated in Figure S1. Sinusoidal
excitation signal (Vpp = 200 mV) is applied to each pair of IDEs, and the circuit board reads the
resulting current and calculates the Discrete Fourier Transform (DFT). Since DFT measures the
frequency-dependent energy of signals, the magnitude and phase of impedance Z at the frequency

can be obtained by the following equations:

v; V; ViRspRy
Z—'*—TOL(PL'_(PO— v,

]

L= (1)

, where vi, 1,, Vi, Ly, 05, 00, Rip, Ra, V, are sinusoidal input voltage, output current, input voltage
magnitude, output current magnitude, phase of the input signal, phase of the output signal,
feedback resistance, internal amplifier gain, output voltage magnitude, respectively. The AD5933
stores the real (R) and imaginary (I) values of DFT at two 16-bit registers. The two data registers
are accessed by the DAQ board using 12C protocol and saved in the customized LabVIEW
software after data processing. The gain factor and system phase offset were first calibrated by
measuring a resistor of known impedance with an LCR-Meter (VSP/VMP3, Bio-Logic Science
Instruments) swiping the frequency in the preferred range of 11kHz to 91kHz. (See Figure S5)
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Equivalent Circuit of Microparticle-Amplified Impedance Sensor

Since the proposed IDE biosensor is considered as a non-faradic with microparticle amplification,
to a better understanding of its working principle, an equivalent circuit model of a two-electrode
system can be investigated. The sketch of this equivalent circuit is shown in Figure S2. C, is the
geometric capacitance of the electrodes determined by the dimensions of the electrodes (thickness,
gap, etc.) and the dielectric of the surrounding solution. Cy denotes the double-layer capacitances
of the two electrodes and appears at the interface between a conductive electrode and an adjacent
buffer solution. At this boundary, two ionic layers with opposing polarities on the electrode surface
and buffer are formed when a voltage is applied. The two layers of ions are separated by a single
layer of solvent molecules, adhering to the surface of the electrode and acts as a dielectric in a
conventional capacitor. Ry is the resistance of the buffer solution between the two electrodes that
changes based on the buffer solution and not affected by the interfacial affinity. Ry is dependent
on the space filled by the buffer and therefore depend on the length of the electrodes and the size
of the gap between them’’. To validate each of these components, the simplified Randles

equivalent circuit was simulated using Simulink, MATLAB (Figure S4).

Considering the immobilization procedure for capture antibody, they are most likely to be
immobilized between the electrodes since oxygen plasma treatment generates hydroxyl groups on
the glass surface. Therefore, by conducting microparticle-amplified IDE immunoassay, the
microparticles are located mostly in between the electrodes. In this case, the microparticles affect
the impedance between electrodes, introducing their resistivity, and double-layer capacitances to
the gaps 40. The part highlighted in Figure S2 as the “microparticle effect” is the equivalent
component induced by a single microparticle. For high target concentrations, multiple
microparticles will locate between the electrodes, and the corresponding equivalent component

will be repeated in series resulting in changes for impedance measurements.

Microfluidic Integration

For a simple microfluidic integration, a PDMS-based microfluidic channel was fabricated
by soft lithography as explained in our previous study3*. The height and width of the channel were
110 pm and 2.5 mm, respectively, which is enough to cover the entire area of IDEs. Sample

solutions were applied using a pipette from an inlet of the microfluidic channel, and a mini-vacuum


https://en.wikipedia.org/wiki/Electrode
https://en.wikipedia.org/wiki/Electrolyte
https://en.wikipedia.org/wiki/Dielectric
https://en.wikipedia.org/wiki/Capacitor
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pump (12/02EB, Thomas Pump) was placed in the outlet to drive all solutions for immunoassays

as well as performing hydrodynamic washing to remove unbound microparticles.

Characterization of Microparticles

To evaluate the amplification effect of various material microparticles on impedance signals,
magnetic (Dynabeads M-280, Thermofisher Scientific, USA), polystyrene (08-19-303, Micromod,
Germany), and silica (43-19-303, Micromod, Germany) microparticles covered by streptavidin
(SA) were selected. At first, to estimate the effect of material on the impedance signal, these three
different microparticles with 2.8 um were investigated using impedance spectroscopy at 5% IDE
surface coverage. To control the percentage of surface coverage by microparticles, we diluted the
microparticle suspension and measured the surface coverage under the microscope after they
sedimented on the surface (30seconds). Then, these microparticles were boiled at 120 °C for 120
minutes to denature all proteins on the surface to decouple the effect of surface charges from the
material variations. From these measurements, we determine an optimal microparticle for
following a series of immunoassays. In addition, the resolution of the IDE sensing platform was
verified by measuring impedance with respect to the surface coverage of magnetic microparticles.
After preparing various microparticle coverages (0.01~10%) on the IDE array, the impedance

magnitude changes were measured to estimate the overall LOD of this platform.

Surface Functionalization and on-chip human TNF-a Immunoassay

For demonstrating immunoassay using an impedance sensor, the IDE surface was functionalized
with a capture antibody (Anti-TNF-a, Abcam, UK) as a receptor to detect TNF-a. In this study,
carbodiimide induced cross-linking was utilized to immobilize the capture antibody on the glass
surface of the Au electrode spacing. Figure S6 depicts the whole process of surface
functionalization and immuno-conjugation. The IDE chip was first cleaned by treating with freshly
prepared piranha solution (H,SO4/H,0, 3:1 V/V) for 30 seconds, followed by extensive rinsing
with deionized (DI) water and dried with nitrogen. The patterned PDMS film (HT 6240 Rogers
Corp., USA) with opening windows on the IDE arrays was then placed on the cleaned IDE chip to
apply biochemistry reaction only on the sensing area. After treating with oxygen plasma, the
hydroxylated sensor surface was functionalized with 3 % (3-Aminopropyl) triethoxysilane
(APTES) to obtain an amine-functionalized surface. To adapt the carbodiimide coupling method,

capture antibodies were activated by 1-Ethyl-3-(3-dimethylaminopropyl) carbodiimide (EDC) and
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Sulfo N-hydroxysuccinimide (Sulfo-NHS) (Thermo Scientific, USA), and then coupled with
APTES-modified surface. After incubating the capture antibodies with the cross-linking reagents
for 40 minutes, the IDE chip was rinsed with DI water. Then human TNF-a (ab9642, Abcam,
USA) as target analyte with seven different concentrations (10 pg/mL ~100 pg/mL with 10-fold
dilution) was further incubated on the patterned regions for 30 minutes. Afterward, the PDMS
microfluidic device was attached to the glass slide via oxygen plasma treatment. Diluted Phosphate
Buffer Saline (PBS) with 1% W/V bovine serum albumin (BSA) (1% PBSB) solution was first
injected through a microchannel and incubated for 30 minutes for surface passivation. Then,
biotinylated anti-human TNF-a antibodies (R&D Systems, USA) are conjugated with SA-coated
microparticles, and the microparticles were introduced into the microchannel using an external
mini-pump. We measured impedance signal in every single step of forming immunocomplex
layers, and before each measurement, washing was carefully conducted with the proper buffer
solution to thoroughly remove unbound molecules and ion residues. To eliminate the effects of
variation in the baseline values, we normalized the impedance response during the measurements
(AZ) with the initial impedance to each pair of IDEs (Z), and this is referred to as the normalized

impedance variation (AZ/Z).
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Results and Discussion

Influence of Buffer Concentration on Impedance Sensor Performance

An appropriate buffer should be selected for an optimal microparticle-labeled impedance sensing
since impedance sensors are highly sensitive to buffer solutions. First, the impedance values were
measured from our impedance analyzer, the simulated Randles model, and validated with the LCR
meter for various PBS concentrations. Figure 2 shows all measurements and simulation results
over the examined frequencies of 11 kHz to 91 kHz for PBS concentrations of 1 mM~0.001 mM,
demonstrating similar trends and consistent results for all obtained values. From detailed
comparison studies with the simulation result for 0.001 mM PBS at 11 kHz, we observed 11% and
13.5% differences from the LCR meter and our portable impedance analyzer, respectively . These
differences under the low buffer concentration can be originated from manufacturing variations of
the IDE electrodes since the impedance signals are more sensitive to the electrodes at lower
frequency!®. For this work, we mainly used normalized impedance variations for immunoreaction,
so this much differences can have minimal impact on the measurements. As shown in Figure 2,
PBS buffers with concentrations of 0.1 mM and above show similar impedance magnitude at the
range of < 5 kQ, where the signal is dominated by the buffer solution. By further diluting of PBS
to 0.01 mM, the impedance magnitudes increase into the range of >10 kQ. Since impedance
variations from immunoreactions cannot be differentiated under highly conductive and saturated
buffer solutions, 0.01 mM PBS or lower PBS concentrations are suitable for impedance-based
immunoassays. However, if PBS concentration is too low, the buffering capacity is dwindled*!.
By considering the background signal and buffering capacity, 0.01 mM PBS was selected as a

sample buffer solution for all subsequent experiments.

Microparticle Material Composition on Impedance Sensor Performance

Since the material and surface characteristics of microparticles have a significant impact on the
impedance signals, we investigated the effect of various microparticles on impedance
measurements. Generally, microparticles affect the capacitance by forming dielectric layers as well
as the resistance by blocking the electric field fringe!?, as can be predicted from the equivalent

circuit (Fig S2). Figure 3 shows normalized impedance variation induced by various

10
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microparticles over the frequency range of 11kHz to 91kHz, representing both values of resistance
. 1 . . .
and capacitance (Z =Zp+ Z. =R + j(Tc)' Here, the impedance values are normalized with respect

to the baseline signal from the buffer solution for each IDE. To decouple the effects of materials
and surface of the microparticles, SA coated microparticles and denatured microparticles are
prepared for these characterization experiments. For polystyrene and silica microparticles with SA,
the impedance variation percentage changes with respect to the frequency from 1.10% to 3.04%
and 1.11% to 2.02%, respectively. After denaturing these microparticles, the impedance variations
increase to 3.98~4.53% for polystyrene and 4.08~4.85% for silica. However, for the magnetic
particles, we observed that the impedance variations decrease to 2.16~3.36% for denatured
microparticles. These results can be explained by the interfacial interaction in the presence of SA
on the microparticles and promoting microparticle surface charge. For silica and polystyrene
microparticles, the surface charges bridge the electric field and contribute to lower impedance
variation compared with the denatured condition. Whereas the absence of surface charges in
electrically permeable superparamagnetic microparticles increases permittivity and the overall
impedance variations slightly drop. It is also observed that normalized impedance variations for
electrically impermeable materials decreases by ascending of the measuring frequency, revealing
that for both SA-coated and denatured conditions, capacitance effects are more dominant rather
than resistance. However, the impedance variations for magnetic microparticle are less dependent
on the applied frequency, demonstrating that the resistance formed by magnetic microparticles is
more dominant than the double-layer capacitance imposed by non-conductive particles (see Figure
S2). For the magnetic microparticles, polarization effects are also contributed to the overall
impedance magnitude that has been widely discussed in our previous study for Hall-effect
biosensors*>*4. When magnetic microparticles locate in between the IDEs, the external electric
field polarizes magnetic microparticles and, therefore, alters the evenly distributed electric field in
the vicinity of the microparticles resulting in higher resistance®. Additionally, by calculating the
relative standard deviation (RSD%), the normalized impedance variation demonstrated better
precision for magnetic microparticles (11%) compared to the polystyrene (21%) and silica (19%)
in the studied frequency range of 11kHz to 91kHz. Based on the above-mentioned considerations,
magnetic microparticles were selected for the consequent measurements due to their higher output

signal and better precision.

11
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Influence of Surface Functionalization of Impedance Variations

The normalized impedance variations after surface functionalization are depicted in Figure 4.
APTES is the first layer on top of the bare electrode, and an immobilized capture antibody is the
second layer. Although the single-layer thickness of APTES is assumed to be less than 10 nm?,
its coverage as the first capacitance layer results in significant impedance increments. This well
agreed with the literature, demonstrating the importance of the first layer, suggesting to minimize
its capacitance as much as possible to improve the sensitivity during immunoassay*’. After adding
the capture antibody, the normalized impedance variation increased due to the antibody layer.
From these thickness variations, 11 kHz shows the most responsive frequency by electrical-double
layer capacitance compared with other frequencies?!, so we selected 11 kHz for further

measurements.

Hydrodynamic washing for effective immunoassays

As discussed in our previous study?34, to ensure that a microparticle-labeled immunoassay is highly
sensitive, the surface of the substrate should be washed with a hydrodynamic force sufficient to
remove unspecific microparticles. After introducing the detection antibodies conjugated with
microparticles, the washing step was conducted in the microfluidic channel. We kept the buffer
volumetric flow rate constant at 20 uL./min by applying a negative pressure in the microchannel
outlet using the small mini pump. This volumetric flow rate corresponds to an average velocity of
1.3 mm/s in the channel generating a total force of 40 pN on the microparticles. The total forces
are less than the adhesion strength in the immunocomplex; however, they are sufficient to dislodge

non-specific bindings from the surface’* 37,

On-chip Human TNF-0 Immunoassay

Human TNF-o immunoassay was conducted on the proposed impedance-based biosensor. TNF-a
has important pro-inflammatory properties, which play crucial roles in the innate and adaptive
immunity, cell proliferation, and apoptotic processes. Increased concentrations of TNF-a are found
in acute and chronic inflammatory conditions (e.g., trauma, sepsis, infection, arthritis)*® 4°. The
human TNF-a contains 157 amino acids with a molecule weight of 17.4 kDa and an isoelectric
point (pI) of 5.8%.

12
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To conduct the immunoassay, human TNF-a with seven different concentrations (10
pg/mL to 100 pg/mL) was first incubated on capture antibody-modified IDEs for label-free
detection. After measuring the impedance signals, the anti-TNF-o conjugated magnetic
microparticles were added to conduct a sandwich immunoassay to investigate signal enhancement.
Figure SA shows the distribution of the microparticles associated with the different concentrations
of TNF-a. From surface coverage images, we could observe that microparticle coverages are
proportional to the concentration of target biomolecules. By obtaining a series of impedance
variations adjusted by a background signal, we found that these differential magnitudes increase
due to the increasing number of microparticles, as shown in Figure S7. From LOD calculation at
11 kHz, this sensor can detect as low as 0.1 % change of surface coverage of magnetic
microparticles. Further measurements have been performed with the impedance analyzer. Figure
5B shows the standard curves, representing the relation between the relative impedance signal and
the analyte concentration for the label-free and microparticle-labeled immunoassays. From
statistical analyses, the limit of detection (LOD) of 0.9 ng/mL and 83.46 pg/mL have been achieved
for label-free and microparticle-labeled immunoassays, respectively (See Eq. S5)3% 3. The
microparticles enable one order of magnitude improvement in LOD. In the case of the label-free
assay, TNF-a molecules bind to the capture antibody and contribute an additional capacitance layer
by forming a thin TNF-a molecular layer. Since the pl of TNF-a is 5.8, it has partially negative
charges in the PBS buffer with a pH of 7.4. As the concentration of TNF-a antigen is increased,
more negative charges are accumulated in between the electrodes, resulting in higher electric field
dispersion and impedance variation’?. When labeling with magnetic microparticles, higher
impedance variation is observed compared to the label-free assay due to the blockage of the electric
field and material properties of the microparticles. For higher concentrations of the target,
magnetic microparticles become closer to each other and may locate on the electrodes even though
they are expected to be immobilized in between the electrodes on the functionalized area of glass.
In this case, the polarized microparticles between the IDEs under the electric field generate an
additional magnetic field, especially when the distance is smaller than the Debye lengths*343. This
results in a high impedance variation signal for higher concentrations of the target (>100 ng/mL).
However, it also increases the SD due to the variation of microparticle distances from each other
as well as random polarization®. Additionally, to quantify the precision of the assays, coefficient

of variations (CV) were investigated. In this work, we achieved CV below 20% from both label-

13
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free and microparticle labeled assays, which is an appropriate CV over the dynamic range of the

target biomolecule concentration.

Table 1 introduces non-faradic IDE-based immunosensors for various targets and

interfaces. Generally, label-free detection shows less sensitivity compared to those employing

signal enhancement techniques. Although the sensitivity of some label-free immunosensors have

been improved by optimizing the detection protocol and finger geometry of IDEs>, signal

enhancement techniques show more promising and cost-effective results for improvement of the

overall LOD. Given more than one order of magnitude in overall LOD with microparticle labeling

method and controlled hydrodynamic washing force through a microfluidic channel in this study,

the impedance signal can be further enhanced if the signal enhancement technique is supplemented

with optimized IDE spacing characteristics.

Table 1: Comparison between analytical parameters from IDE-based immunosensor

Time
Q| =
251€z| 7
Target biomolecule LOD Electlrode % 2 = "3 é Remark Ref.
[ng/mL] | spacing | & ='| & & =
(%) o «® >
£S5 25| 3
v = ]
= & <
=
=
Human Serum 200 | 420um | No |>135| 60 Label-free 56
Albumin
. . Label-free ”
Cardiac troponin | 0.2 - No | >12h| 120 Surface area enhanced by GNP
Plasmodium lactate | , 5 gum | No |>I2h| 120 Label-free 55
dehydrogenase
Carcinoembryonic Impedance signal enhanced by GNP a3
antigen (CEA) ! 20 pm No | >44h |30 Single electrode utilized
TNF- a 0.083 10 um Yes | <oh 30 Magnetic microparticle for signal Present
enhancement
14
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Conclusion and Perspective

By developing various biosensors for detecting biomolecules, enhancing the sensitivity of these
platforms has drawn lots of attention. In this study, we successfully developed an impedimetric
biosensor consisting of a small impedance analyzer, a data acquisition board, and an IDE array
integrated with a microfluidic channel. The impedance signal from this platform was first verified
by simulation in MATLAB Simulink and an LCR meter. The resolution of the platform to detect
a single layer of biomolecule and microparticle detection was examined, and a real assay was
conducted to quantify the human TNF-a. After testing three different types of the microparticle,
the detector antibodies were labeled with that of generating the highest and consistent impedance
signal. We could improve the LOD by order of magnitude compared to the label-free bioassay
using magnetic microparticles. This novel, sensitive impedance biosensor with a microparticle-
labeling method for signal enhancement utilizes microfluidics for controlled hydrodynamic

washing forces that has potential for POC application.

Among various digitized biosensors, impedimetric biosensors have shown promising for POC due
to its ease of integration, miniaturization, fast response, cost-effective assay, and conveniently
communication with smartphones. The platform presented in this study can be integrated with
capillary-driven microfluidics for autonomous and sequentially delivery of analytes. This
microfluidics should be precisely designed to control the flow rates in a certain range to have a
controlled hydrodynamic washing force for microparticle-labeled immunoassay. To improve the
functionality and LOD, further characterization and optimization can be conducted. Previous study
showed that the size of nanoparticles does not greatly affect the impedance signal?. By considering
the ratio of the electrode gap to micro/nanoparticle sizes, optimal biosensing performance can be
determined. Furthermore, by incorporating a blood separation membrane on the microfluidic chip
and including a communicating chip to interact with a smartphone or a laptop, this device would

be an ideal standalone POC platform with high sensitivity and the ability for multiplex diagnostics.
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Figures and Captions
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Capture
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Figure 1.

30 A schematic diagram of a microfluidic impedance sensor array for microparticle-labeled
32 Immunoassays. (A) Eight interdigitated electrodes (IDEs) integrated with custom-made

34 impedance analyzers and a microfluidic channel, (B-C) Illustration of IDEs for negative

and positive controls, and (D) Formation of the full immunocomplex on the IDE.
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Different concentrations of phosphate buffer saline (PBS) in deionized water was measured on

the IDEs using a commercial LCR meter and impedance analyzer, and calculated form the

simulation model. Buffer concentrations of 0.1mM and above show saturations and make it

impossible to get impedance variations by immobilization of biomolecules. For PBS 0.01lmM

less saturation effects were observed, and considering the pH buffer capacity, PBS 0.01mM was

selected as a buffer solution during impedance signal measurement.
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Figure 3.

Three different microparticle types of Magnetic, Polystyrene, and Silica were selected for
characterization. All microparticles were at the same size of 2.8um and the same surface
coating of streptavidin for original microparticles. For heat denaturing of microparticles,

they have been boiled on a hot plate and then used for impedance measurements. All data

are collected for 5% IDE surface coverage.
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Figure 4.
The normalized impedance variation percentage during surface functionalization. Percent
variation of the impedance signals increase with each of APTES and capture antibodies
on IDE sensors. These variations slightly decrease with increase of the frequency from

11-91kHz due to the effects of the generated double-layer capacitance.
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Figure 5.

45 (A) Magnetic microparticle densities onto the IDE from various target concentrations. (B)

47 Normalized impedance variations comparing capture Ab and various target concentrations (TNF-
49 a) for label-free and sandwich microparticle-labeled at 11 kHz with surface coverage. By the
coupling impedance sensor with microparticle-labeled immunoassay format, we were able to

52 detect as low as 83.46 pg/mL of TNF-a. This combination sensing technique enables an order of

54 magnitude of improved sensitivity.
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