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CMOS-Based Electrokinetic Microfluidics With
Multi-Modal Cellular and Bio-Molecular Sensing for
End-to-End Point-of-Care System

Chengjie Zhu

Abstract—The importance of point-of-care (POC) bio-molecular
diagnostics capable of rapid analysis has become abundantly evi-
dent after the outbreak of the Covid-19 pandemic. While sensing
interfaces for both protein and nucleic-acid based assays have
been demonstrated with chip-scale systems, sample preparation in
compact form factor has often been a major bottleneck in enabling
end-to-end POC diagnostics. Miniaturization of an end-to-end sys-
tem requires addressing the front-end sample processing, without
which, the goal for low-cost POC diagnostics remain elusive. In
this paper, we address bulk fluid processing with AC-osmotic based
electrokinetic fluid flows that can be fully controlled, processed and
automated by CMOS ICs, fabricated in TSMC 65 nm LP process.
Here, we combine bulk fluid flow control with bio-molecular sens-
ing, cell manipulation, cytometry, and separation—all of which are
controlled with silicon chips for an all-in-one bio-sensing device. We
show CMOS controlled pneumatic-free bulk fluid flow with fluid
velocities reaching up to 160 pm/s within a microfluidic channel of
100 x 50 pm? of cross-sectional area. We incorporate electrode
arrays to allow precise control and focused cell flows (2 pm
precision) for robust cytometry, and for subsequent separation.
‘We also incorporate a 16-element impedance spectroscopy receiver
array for cell and label-free protein sensing. The massive scalability
of CMOS-driven microfluidics, manipulation, and sensing can lead
to a new design space and a new class of miniaturized sensing
technologies.

Index Terms—AC osmosis, biosensing, cell separation, CMOS,
cytometry, dielectrophoresis, electrokinetics, hydrodynamic
focusing, impedance spectroscopy, protein sensing, osmosis.

I. INTRODUCTION

HE widespread of the COVID-19 pandemic has demon-

strated, without any reservations, the importance of POC
diagnostics that allow an end-to-end biosensing capability from
bio-sample to diagnostic information [1]. Bridging this sample-
to-information paradigm requires addressing two broad and
equally important objectives that need to satisfy the sensitivity
and specificity requirements, while being low cost that is nec-
essary for POC applications. The first objective is to automate
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the first step in the biosensing process that involves extract-
ing and processing the relevant bio-samples (cells/molecules)
selectively. Such sample preparation can involve several steps
including dissolution and mixing with several reagents, dilution,
and filtering, all of which are critical to the robustness of the
assay chemistry, sensing sensitivity and specificity [2].

The second step involves the detection of the desired sub-
stances (cells and molecules of interest) in the processed sample.
In the past decade, there have been significant efforts in enabling
such low-cost sensing devices. These include quantitative plat-
forms using CMOS-based integrated circuit technologies. Sev-
eral modalities of bio-molecular sensing including fluorescence-
based, magnetic-based, label-free sensing have been demon-
strated in prior works across both nucleic acid and protein-based
assays [3]-[11]. For cells, cytometry has also been demonstrated
with magnetic-labels or in a label-free manner [12], [13].

On the other hand, sample preparation is still typically done
either manually or with an array of pressure-driven microfluidic
channels, connected through a set of tubes to syringe pumps
(Fig. 1). As aresult, while the sensing interface is miniaturized,
the rest of the system can still be bulky and expensive, thereby
severely liming its range of applications (Fig. 1). In the case
of ingestible-based electronics for in-vivo sensing [4], [14],
such pressure driven flow is even more impractical, given the
ultra-miniaturized nature of the entire sensing system. There-
fore, electronically driven flow becomes attractive to consider,
givenits scalability and compatibility with the chip-scale sensing
interfaces. While electrically driven droplets, molecular and
cell manipulation techniques, such as electro-wetting, elec-
trophoresis, dielectrophoresis and surface acoustic wave have
been demonstrated in piror works [15]-[18], they do not have the
capability to process bulk bio-sample fluids or require discrete
components that is not integrated in a single sensing substrate
while performing cytometry and bio-molecular sensing.

In this work, we present a CMOS-based bio-sensing system
that combines the functionalities of bulk fluid processing and
cellular/bio-molecular sensing capabilities in a single hand-held
platform (Fig. 2) [19]. We demonstrate, for the first time, a
CMOS-microfluidic biosensing system that is capable of 1)
driving bulk electrolyte fluid with AC electro-osmosis, 2) cell
manipulation and separation with dynamic electric field ma-
nipulations through an array of electrodes, 3) cytometry and
label-free bio-molecular sensing with 16-element integrated
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Fig. 1. A comparison figure between traditional and proposed mirofluidic
sensing platforms. In traditional microfluidic platforms (left), components are
discrete and it requires bulky instrumentation such as pneumatic pumps, complex
microlfuidic tubing and optical-based cytometry sensing. The proposed CMOS
driven microfluidic platform (right) has the capability to perform pneumatic-free
bulk fluid driving with integrated cell sensing/actuation as well as label-free
bio-molecular sensing on a single platform.

impedance spectroscopic receivers. While we demonstrate
these kernel functionalities in a multi-chip module, the overall
architecture, microfluidics and sensing components can be mas-
sively scaled up for various POC applications due to the elimina-
tion of pressure-driven flows. Such flows can allow enhancement
of detection sensitivity [20]-[23], and enable further automation
of sample preparation, mixing with reagents, all of which are
carried out with CMOS ICs and can be potentially used by
non-experts in resource-limited settings. Fig. 2 is meant to
capture the vision of a CMOS-driven and controlled and sensing
system in an end-to-end fashion.

The paper is organized as follows. Section II describes the
fundamental principles of the electro-osmotic flows, particularly
focusing on AC-osmosis for bulk fluid flow, and its compatibility
with CMOS-based driving systems for realization of pneumatic-
free microfluidics. The section also discusses electronic focusing
of cells, cytometry and separation with electrode arrays. Sec-
tion III focuses on electrode fabrication and microfluidic pack-
aging. Section IV elaborates on the impedance spectroscopy
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Fig. 2. A conceptual diagram of CMOS-based microfluidics and biosensing
system. We combine 1) CMOS driven scalable microfluidics with controlled
AC-osmotic flow, 2) cell manipulation, sensing and separation through dynamic
electric field synthesis, and 3) impedance spectroscopy for cytometry and bio-
molecular sensing.

architecture, and constituent circuits. Section V presents the
measurements results followed by conclusion.

II. ELECTROKINETICS: AC OsmoTIC BULK FLUID FLow WITH
CMOS ICs

Pneumatic-based microfluidic flow with syringe pumps is
challenging to scale up due to the complexity and increasing
number of pneumatic pumps and microfluidic tubing required
for sample preparation in biosensing systems. Electrokinetics
can provide a scalable solution through controlling of ionic fluids
with electric fields. While the details of the physics of the motion
are beyond the scope of the paper [24], here, we focus on AC
osmosis that allows scalable electrolyte motion with the voltage
levels supported by CMOS ICs.

A. Fundamentals of Electro-Osmotic Flow

Electro-osmosis provides one of the most popular non-
pressure driven flows in microfluidics. The basic principle of
the nonlinear flow generated by electro-osmosis relies on a
charged electrode that creates non-neutral ionic layers at the
electrode-electrolyte interface. Within the interface, a cloud of
charged particles creates a diffusion layer, which under the
influence of an external electric field, drags the polarizable water
molecule tangential to the electrode surface causing the bulk
fluid motion [24].

The design principle for the electrodes that create the desired
osmotic flow, therefore, focuses on engineering the optimal elec-
tric fields that generate the nonlinear drag force to allow net fluid
flow in one direction. When a charged electrode surface comes in
contact to an ionic solution, electrode double-layer forms. Fig. 3
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Fig.3. A microscopic view of the electrode-electrolyte double-layer interface.
(a) Stern layer, where ions are relatively immobile and diffusion layer, where
ions are free to move. (b) Corresponding electric potential profile showing
exponentially decreasing potential in the diffusion layer.

demonstrates a microscopic view at the electrode-electrolyte
double-layer interface. Close to the electrode, a tightly bound
stern layer forms including an inter (IHP) and outer Helmholtz
plane (OHP) [25] (Fig. 3). Beyond the tightly bound stern layer,
the potential decreases exponentially creating a cloud of charges
that attract the polarizable water molecules, known as the diffu-
sion layer. The exponentially decreasing potential profile can be
modeled through Debye-Huckle theory approximation [25]. In
addition, due to the non-uniform charge distribution, there exists
anetelectric field in the double-layer, which can be modeled with
an equivalent capacitance, Cpr,. The value of the capacitance
per unit area is inversely proportional to the diffusion length

(k1) [25]-[27], where 2 given by k2 = E:‘S*J:—T[En,iz?], and q
is the charge of a single electron. € is the dielectric constant of
the medium. kg is Boltzmann’s constant. T" is temperature in
kelvin. n; represents the number of charges for each ion type in
a unit volume and z; is the valency of each ion. As an example,
in 0.001x PBS solution, the debye length contributed by the
dominated ions, Na+ and CI- (= 0.137 mM for each ion), alone
is roughly around 20-30 nm.
In summary, the various principles of the electro-osmosis can
be itemized as follows
® Jons in the diffusion layer attract the polarizable water
molecules. Therefore, by moving the ions in the diffusion
layer, there will be a drag effect on the water molecules
that eventually lead to bulk fluid motion.
® Manipulation of the ions in the diffusion layer can be
realized by creating tangential electric fields close to the
electrode surface.
® Presence of ions is necessary for such fluid motion. Many
bio-samples (blood/saliva/sweat) are ionic, and therefore,
such techniques are applicable. However, a very high ionic
concentration can create asmall diffusion lengths (£~ 1yim-
peding such fluid motion [22]. More discussions regarding
driving high ionic solution (> 100mM) will be addressed
in later sections.

B. AC Electro-Osmotic Flow

While the previous description provides a general guidance
of nonlinear electro-osmotic flow, AC osmosis provides one
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possible mechanism to induce the electric fields (Fig. 4). Electro-
osmotic flow can be induced with a DC field. However, in this
case, the required voltage in DC osmosis is directly proportional
to the separation distance between the electrodes. This can reach
to hundreds of volts when the channel length, and therefore, the
separation electrodes extend beyond 100 pm. This makes such
bulk fluid drivers non-scalable [22].

On the other hand, AC osmosis relies on laterally positioned
asymmetric electrode pairs, lowering the voltage requirements
that can be handled by CMOS ICs. As shown in Fig. 4, to ensure
that the bulk fluid travels uni-directionally, AC electro-osmosis
takes the advantage of the asymmetric nature of the electrode
design to generate an AC tangential electric field profile that
eventually contributes to bulk fluid motion [28]-[32].

In addition to producing a net bulk fluid flow within the
channel, AC electro-osmosis can be also deployed as active fluid
mixer through symmetrical electrode designs. This is particu-
larly useful to increase sensitivity for bio-molecular detection
in microfluidic channels to bring sensing target in the bulk fluid
closer to the sensor site through local fluid vortex, therefore
significantly extending the limit of detection within a limited
time frame, compare to diffusion-based bio-molecular bind-
ing [21]-[23].

C. Electrode Design and Bulk Fluid Flow

As shown in Fig. 4(a)—(b), the interaction of the asymmetric
electrodes with the electrolyte solution can be represented by
an equivalent circuit model at the electrode-electrolyte inter-
face [32]. Here, Cpy, represents the double-layer capacitance
and R; to Ry represent the bulk fluid resistance (R; > Ry)
for each current path. To calculate the tangential electric field to
quantify the fluid flow, one can calculate the voltage difference
between Vi and V3, as shown in Fig. 4(a). It can be shown that
this tangential field due to the voltage difference between V) and
V1 behaves with a standard second-order band-pass response,
with the peak amplitude occurs at the center frequency w,

JAezis

1+igig — (&)

Vi=Vn—V1= Vac (1)

where A, =Cprs(By — R1)/(R1 + Bx)(CpL,L +
Cpr,s),Q =vVEiRy/(R1 + Ry)(Cpr.1 + Cpr,s) (quality
factor) and wo = (Cpr,.. — Cpr.s)/(CpL,sCpr..VE1RN).
In addition, the absolute voltage at Vv is larger than V3, since
Ry > R;. This yields a net electric field pointing from the
far edge of large electrode towards small electrode during
positive AC cycle (Fig. 4(c)). The diffusive positive ions are
then dragged from the larger to the smaller electrode. When the
cycle reverses, the direction of the field reverses, as well as the
sign of the ions. This results in a uni-directional force exerting
on the ions in the diffusion layer during all cycles creating a net
fluid flow (Fig. 4(d)).

The velocity of ion (vion) in the diffusion layer can be
evaluated from the tangential electric field (E; = AV/AL =
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Operating principle of the induced-charge AC electro-osmosis. (a) Current paths between the asymmetric electrodes through double-layer capacitor

(Cpr) and bulk fluid resistances (R1 to R ). (b) Equivalent circuit model between the asymmetric electrodes under AC excitation. The top-plate voltage of
double-layer capacitor for the larger electrode are denoted as Viy and V7, located at far left and far right respectively. (c) Ionic motion in diffusion layer on the
larger electrode during the positive cycle of AC excitation, showing that the net ionic motion points from the larger to smaller electrode irrespective of the AC cycle.
(d) Ilustration of AC electro-osmosis demonstrating the uni-directional flow can be generated through asymmetric electrode designs and AC excitation voltages

with local vortexes on the edge of electrodes.

(Vns1 — Vi )/AL) (where AL is the separation distance be-
tween the two resistors Ry and Ry 1) as

e« AV

Vion — ,UaEt c— n X = AL (2)

where p is the ionic mobility, e is the dielectric constant of the
fluid, » is the fluid’s dynamic viscosity, ¢ is the zeta potential
at the double-layer (Fig. 3), and C' is a constant of value 2/3
for low ionic concentration [25]. In addition, zeta potential (¢)
represents the potential at the top plate of C'py, (Fig. 4(b)), which
results in vion o< V2.

Given the nature of the electrolyte and ionic concentration,
the design objective behind choosing the width and gap for the
AC osmosis electrodes becomes clear: maximize conversion of
electrical energy to kinetic energy of the fluid. This can be
achieved by maximizing AV at the center frequency wg, as
shown in (1).

Furthermore, the pumping velocity can be further optimized
through increasing electrode height. Prior works demonstrated
that by increasing the electrode height, one can generate a local
vortex below the main bulk fluid flow, without impinging the
flow speed. Therefore the fluid driving velocity can be signifi-
cantly improved compare to planar electrode designs [33]-[36].

D. Cell Electronic Focusing, Sensing and Separation

Precise control of the cell flow is critical for high sensitivity
cytometry. In prior works, hydrodynamic force has been mostly
deployed to allow focusing of cell motion within a narrow
streamline flow, thereby, enhancing the overall specificity and
sensitivity [37], [38]. This requires additional pneumatic-based
microfluidic pumps.

An alternative way of manipulating cells in the microfluidic
system is through dielectrophoresis (DEP) [39]-[48]. DEP relies
on creating a net force on a suspended polarizable particle (such
as cells) in a non-uniform electric field.

With the ability to precisely engineer the optimal fields with an
array of electrodes controlled by custom CMOS circuits, we can
eliminate the need for any hydrodynamic focusing, and replace
it with electronic focussing, cell manipulation, and sensing. This
is critical to reduce measurement variations due to cell positions.
The force exerting on a dielectric particle in a non-uniform field
can be evaluated as

Fppp=<(P-V)E >= %emv - Re(fem)V|Erms|*

where P = pV is the induced dipole under an external electric
field, V is the volume of the particle, Er,¢ is the root-mean-
square (RMS) intensity of the electrical field, and fp, is the
Clausius-Mossotti factor which quantifies the dipole moment of
the particle relative to the solution medium. This factor can be
quantified as follows

_ €p—€m
fom = gt @)
where €, and €, represents the complex permittivity of the
particle and the fluid medium. Therefore, with an array of elec-
trodes with independent driving capability, one can engineer the
nature of the electric fields within the channel, creating precise
positioning of the cells allowing high precision cytometry and
subsequent separation capabilities (Fig. 5(b)).

Given that both €, and €, depend on frequency, the di-
rection of the DEP forces can change depending on the fre-
quency of operation, offering another degree of freedom to
manipulate cells. For example, when red blood cell (RBC) is
present in isotonic buffer of 8.5% sucrose + 0.3% dextrose
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(= 60mS /m_l), the inversion of DEP force occurs at around
1 MHz (Fig. 7) [39]. At low frequencies, Re(fem) < 0, and
negative DEP (nDEP) forces exert on the cell pushing it to-
wards the direction of lower electric field intensity (Fig. 5(a)).
Beyond the first crossing point, Re(fcar) > 0, and the force
reverses its direction. At very high frequencies close to GHz,
Re( foar) turns negative again, but the force magnitude is much

smaller compare to the first nDEP region. In this particular
work, a stronger nDEP operating in the range of hundreds of
kHz is selected. Stronger nDEP is chosen for cells to experi-
ence net force pointing towards the center of channel with the
highest focusing accuracy under equal excitation amplitudes (2
pm error), as shown in later measurement results. High accu-
racy of focusing is necessary to ensure consistent impedance
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measurements, which will be demonstrated in later sections of
this paper.

For DEP to operate effectively, the required electric field
intensity is reported to be on the order of 10° — 10° V/m [49],
[50]. This indicates that under 5 V of voltage excitation, the
separation of the DEP electrode within the microfluidic channel
is around 50 pm.

With the aforementioned functionalities, we realize a system
of electrodes capable of performing cytometry, cell actuation
and AC osmosis driver on a single glass substrate [51]-[53].
As shown in Fig. 6(a), a series of gold electrodes are aligned
in the microfluidic channel. The first seven pairs of electrodes
are dedicated to cell focusing, where the electric field within
the channel can be synthesized on the fly by controlling the
difference of the AC voltage magnitudes on either side of the
channel. The frequency, in the work, is chosen below 500 kHz
such that the cells only experience strong nDEP force.

As shown in Fig. 6(b), when the electrodes are not excited,
the cells will pass along the channel with randomly distributed
lateral positions. In the case of balanced voltage excitations, the
gradient of the electric field will be minimized in the center
of the channel. Therefore, the cells will be center-focused. In
the case of imbalanced excitation, the minimum gradient will
be pushed towards the side with smaller voltage excitation,
resulting in an imbalanced cell focusing [53]. In an extreme
case, where only one side of the electrodes are activated, cells
will be completely pushed towards one side of the channel. In
this case, the configuration can be used to separate the cells into
different diverging channels, indicated by the last seven pairs of
electrodes.

In between the cell focusing and separation electrodes, are
four pairs of impedance sensing electrodes that are able to
capture cell flow in the microfluidic channel in real-time. The
top four electrodes are designated for voltage excitation, where
the bottom four are directly connected to the receiver inputs.

The DEP and impedance sensing electrodes are located on the
two sides of the microfluidic channel with a lateral separation
of 50 pm to realize a stream of cell processing functionality in
the following order: cell focusing, sensing and cell separation.
Specifically, a lateral separation of 50 pm is chosen to ensure
cells that enter the center portion of the channel. Both DEP and
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Fig. 8. Impedance spectroscopy sensing based on direct conversion architec-
ture. Core components required include voltage excitation, impedance sensing
electrodes, TIA, down-conversion mixer and low-pass filters.

impedance sensing electrodes are designed with a width of 40
pm and horizontal pitch of 70 pm, to ensure the sensors are
able to capture large cells/beads beyond 10 pm. Although prior
works have demonstrated that both DEP and impedance sensing
performance can be improved by elevating the electrode in the
third dimension, height, so that the effect of non-uniform electric
field distribution can be eliminated [43], [51], [53], we choose
to design electrodes in 2-D as a proof of concept for this work
(Fig. 9(c)). The electrode dimensions for AC osmosis are shown
in Fig. 20(a) on the same glass substrate.

E. Impedance Spectroscopy Sensing

Built on top of the AC electro-osmosis bulk fluid driver and
DEP cell actuation, is a 16-array impedance spectroscopy re-
ceiver based on a direct conversion architecture. The purpose of
the impedance spectroscopy sensing is to provide the impedance
measurements in real-time at the electrode-electrolyte inter-
face [54]. This sensing modality is employed for cytometry
sensing, and for label-free protein bioassay in this multi-modal
biosensing platform. As shown in Fig. 8, the impedance spec-
troscopy sensing system constitutes a low-noise transceiver
system, including voltage excitation driver, transimpedance am-
plifier (TIA), in-phase (I) and quadrature (Q) mixer as well as
low-pass filter (LPF).

The voltage source, V, shown in Fig. 8, excites the sample at
a frequency that is optimized for extracting the highest response
from the sample. The changing event (such as protein-protein
binding or cell passing) creates a transient change in dielectric
constant locally, resulting in a deviation of input current signal
(Iin = Ay - sin (wt 4 ¢)) amplitude (A7) and phase (¢). The
TIA converts the input current to voltage with a transimpedance
gain of A, and detects the amplitude and phase change to infer
about the biosensing event. Prior works have shown that the
sensitivity for immunoassays can be maximized by operating
frequencies around 500 kHz-1 MHz [55], [56]. In this work, we
primarily focus on probing both cytometry and immunoassays
around fp=500 kHz.
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electrode-channel interface. (b) A zoomed view of the electrode-glass interface
with gold electrodes deposited on top of chrome as adhesive layer.

ITI. MICROFLUIDIC DEVICE FABRICATION AND ASSEMBLY

The microfluidic flow assembly is shownin Fig. 9. The sample
through the inlet is driven by a set of AC-osmotic electrodes con-
trolled by the chip. The sample then passes through the described
set of electrodes for cell focusing, sensing and separation. The
processed fluid can be further investigated for protein sensing,
as described later.

A. Electrode Fabrication

In this work, borosilicate float glass is used as substrate. The
electrode pattern is fabricated through standard photolithogra-
phy procedure. First, a 10 nm layer of Chrome (Cr) is deposited
as an adhesive layer, followed by a 100 nm of gold (Au) layer
deposition. Au is chosen as the interface between the electrode-
electrolyte interface, to take advantage of its inert chemical

nature with ionic liquid. The deposition is conducted with an e-
beam evaporator (Angstrom Engineering Inc, Canada). Next, the
metal layer was removed with the photoresist, and the electrodes
were formed by a lift-off process. The resulting glass-metal
interface is demonstrated in Fig. 10.

B. Microfluidic Channel Fabrication and Assembly

The PDMS microfluidic channels are fabricated through soft
photolithography. Initially, an SU-8 2025 layer was spin-coated
at 3000 rpm on a silicon wafer and soft-baked at 65 °C for 1 min
and 95 °C for 6 min. The wafer is then exposed to UV and is
post-exposure baked at 95 °C for 6 min. After that, the wafer was
developed using SU-8 developer (Microchem, Newton, MA),
followed by necessary washes with isopropanol and drying.
The mold wafer was then used for PDMS casting. with curing
temperature set to 80 °C for one hour. Finally, the PDMS was
peeled off and punched with 1.5 mm-diameter holes for fluid
inlets and outlets.

The microfluidic channel has a height of 40 pm, and is aligned
over the gold electrode device using a home-made aligner that
consist of 3-axis micromanipulators and microscope. Finally, the
PDMS channels were covalently bonded to the glass substrate
using UV/Os cleaner (BioForce Nanoscience, USA) for 20 min.
The device is then incubated at 95 °C for 20 min on a hot
plate to increase the bonding strength. The UV/Oj3 and heating
treatment can allow tight covalent bonding between PDMS and
glass substrate to prevent fluid leakage. Finally, the complete
channel-electrode interface is illustrated in Fig. 10(a).

IV. CIRCUITS AND SYSTEM IMPLEMENTATION

This section will illustrate the on-chip architecture for con-
trolling AC-osmotic flow, cell flow, and sensing with integrated
impedance spectroscopy. The chip is designed and fabricated in
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AC-osmosis and DEP driver architecture and circuits. (a) Architecture of the DEP and AC osmosis driving chip, capable of generating 5-9 V of driving

signals at HV driver outputs for DEP. (b) On-chip programmable square wave generator. (c) 3.3 V level shifter.
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Fig. 12. High-voltage (HV) level shifter and driver, using stacked topology
capable of generating 5-9 V of driving signals for DEP.

TSMC 65-nm LP bulk CMOS process. This particular process
is chosen to optimize the performance at low power operation
for POC applications.

A. AC-Osmosis and DEP Driver Architecture

To provide a driving signal for both the AC electro-osmosis
and DEP electrodes, the system includes a programmable signal
generator. We employ on-chip high voltage drivers for the DEP
system (>5 Vpp). We further boost the signal with off-chip
drivers for swings higher than 10 Vpp for AC osmosis. While
the boosting was achieved off-chip for AC-osmosis in this

proof-of-concept chip, this can be easily integrated in a longer
node CMOS process with a higher breakdown voltage limits.

Fig. 11 shows the circuit architecture for the high-voltage
square wave generator. It consists of three major components:
programmable square wave generator operating at 1.2 V with
SPI interface, a 3.3 V digital level shifter, and high-voltage level
shifter and driver for DEP electrodes.

1) Programmable Square Wave Function Generator: The
core of the square wave function generator consists of a 20MHz
three-stage ring oscillator and a 16-bit synchronous counter. The
16-bit counter can be periodically reset through the comparators,
where the resetting time can be digitally controlled through a
SPI interface (Fig. 11(b)). With this approach, the square wave
generator block is capable of providing driving frequencies from
300 Hz to 10 MHz that is sufficient to cover the operations of
both AC osmosis and DEP.

2) High-Voltage Level Shifter and Driver: The output of the
1.2 V square wave is level shifted to a 3.3 V reference (realized
with thick-oxide devices), as shown in Fig. 11(c). This signal
is then sent to the on-chip high-voltage (HV) level shifter and
driver to generate the DEP signal (Fig. 12) or sent off chip to
generate the AC electro-osmotic drive signals.

The HV level shifter, in particular, uses a stacked topology
with thick oxide transistors and with self-biasing circuitry to
simplify the overall design and complexity (Fig. 12) [57]. We
ensure that the node voltages are kept within the safe limits,
and the maximum swing is set by the p-n junction breakdown
voltage (9 V) of the source/drain and substrate region. As shown
in Fig. 12, HV level shifter converts a 3.3 V square wave (Vinn)
to level-shifted 3.3 V square wave (Vjnp) for the HV driver.
The circuit is realized through three vertical branches of stacked
transistors. Vv is set through a boost converter, and can be
tuned from 5-9V to cover a sufficient supply voltage for DEP
electrodes. The biasing current, controlled through Vg, is set
such that when V;,,,, is low, the top PMOS has the capability to
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Fig. 14. Noise analysis in the receiver path. (a) TLA and mixer noise. (b) VGA noise. (c) LPF noise.

pull up the gate voltage of the inverter stage. Therefore Vi, can
be pulled down to Vg — 3.3V. Next, both Vi, , and Vip,,, are fed
into the HV driving stage together, which also consists of three
vertical branches of stacked transistors. The first two vertical
branches of stacked transistors on the left of the HV driver are
necessary to provide proper biasing voltages for the stacked
transistors at the output (Vpgp). In summary, the output of the
HV driver is capable of generating square wave driving signal
between 5-9V. Two HV drivers generate a differential signal
pair that drives the DEP focusing and separation electrodes, that
is sufficient to cover the minimum electric field intensity (10°
V/m) required for DEP electrodes with 50 pm of separation.
Together, the HV level shifter and the output driver circuit
consume roughly 30uA of current from 7 V of supply voltage
without considering the dynamic output loading current.

B. Impedance Spectroscopy Receiver Architecture

The purpose of the direct conversion receiver, as aforemen-
tioned, is to provide real-time impedance sensing for the cytom-
etry in the microfluidic channel and for protein sensing (Fig. 13).

1) Excitation Path: The excitation signal is generated inter-
nally through the divide-by-2 I/Q clock generator (Fig. 13(c)). It
is implemented through two flip-flops capable of providing both
the in-phase and quadrature-phase waveforms. The in-phase
signal then has the option to be low-pass filtered to remove the
higher order harmonics from the square wave, and then fed to a
programmable attenuator (realized through resistor divider). The
signal is then high-pass filtered through combination of on-chip
MOM capacitor (9 pF) and resistor (10 M(2 poly resistor) to pin
the output DC voltage to Vgor, (Fig. 13(a)). The design of the
excitation driver is based on a standard two-stage op-amp with
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capacitive miller compensation. The op-amp driver is designed
with bandwidth of 10 MHz capable of penetrating the double-
layer capacitance (C'pr) at the electrode-electrolyte interface.

2) Trans-Impedance Amplifier (TIA): We employ an op-amp
based TIA with a Rrg of 100 k2 in feedback to achieve a
bandwidth of 2 MHz. The op-amp topology employed in the
TIA is similar to the driver op-amp in the excitation path.
However, in this design, the length of the input differential
pair is significantly increased to 1 pgm to minimize the 1/f
noise. Since the subsequent passive mixer translates the noise
spectrum, the output voltage noise of the receiver path has a
significant contribution from the VGA and LPF due to the low
signal bandwidth (10 kHz) and the presence of 1/f noise from
later stages.

In addition, four pairs of TIA input channels are deployed
for impedance cytometry sensing. This is primarily to address
the issue with any false positive or missing detection caused
by single channel activation. This can be reduced by sweeping
through the pixels in sequential order. In addition, slight varia-
tions in pixel gains, due to TIA and mixer mismatches, can be
calibrated.

3) Passive Mixer, Differential-to-Single-Ended VGA and
LPF: We use a double-balanced passive mixer to minimize
power consumption, LO feed-through, and maximize the con-
version gain (Fig. 13(b)). To further increase the sensitivity
of the receiver, we use additional programmable VGA with a
digitally tunable gain ranging from 0-20 dB (Fig. 14(b)). After
the programmable VGA, we employ a LPF to filter higher order
harmonics. The LPF is designed with a 4-th order Butterworth
response by cascading two second order Sallen-Key LPF in
series [58] (Fig. 14(c)). Together, the overall LPF is capable of
achieving a 10 kHz filtering bandwidth with 80 dB/dec roll-off
beyond the 10 kHz cutoff frequency.

To bias all the analog components, the chip deploys a constant-
gm self-biasing circuit in order to minimize the usage of external
biasing pads. As shown in Fig. 15, due to the short channel nature
of 65-nm LP process, the constant-gm biasing core is designed
with additional differential-to-single-ended amplifier to operate
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across a wide range of supply voltages. In addition, a start-up
circuit is designed to provide a discharging path to avoid Viiasp
being latched to V4. With this design approach, the constant-gm
self-biasing circuit is able to achieve a consistent 20 p A across
a wide range of supply voltages between 1.2 and 2.5V.

C. System Noise Analysis

The noise of the system is primarily contributed by a combi-
nation of the input TIA, mixers, VGA and the low-pass filters,
as shown in Fig. 14. A major design challenge of the impedance
spectroscopy receiver is that the spectrum of the desired signals
(such as for cytometry) is located below 10 kHz. This is primarily
determined by the dynamics of the biosensing interface such as
the flow velocity of the cells that move across the electrodes
array. As an example, for an AC osmotic flow rate of 100 pzm/s (as
we will see in the measurement section), the time taken for a cell
to pass through one sensing electrode of width 40 pm is ~0.25s.
To capture this dynamic with high sample rate (to identify and
classify different cells, if needed) we keep the integration time
below 0.1 ms, or in effect, the integration is set around 10 kHz
by the LPF. Therefore, the 1/f noise of the circuitry after the
frequency translation of the mixer becomes critical.

1) TIA and Mixer Noise: The output noise of the TIA around
the frequency of analysis (fy = 500 kHz) gets translated down
to the signal frequency at baseband after mixing. As show in
Fig. 14(a), the output voltage noise spectrum of the TIA can be
calculated as

Vr?,opTIA = 4kTRFB + V’r?,.mOp (5)
where Vf,mop represents input voltage noise of the op-amp used

in the TTA. After frequency translation through the differential
passive mixer with an average fundamental frequency voltage
gain of 2/m, the receiver output noise spectrum due to TIA
alone has a spot noise of 0.18pV2 /Hz. When integrated over
the 10 kHz LPF bandwidth, the TIA noise contribution at the
receiver output yields around 42 ¢V of r.m.s. noise voltage.

In addition, assuming fast switching with 50% duty cycle
in the double-balanced passive mixer, the output noise spec-
trum contributed by the mixer itself, can be approximated as
8kT Ry, where Ry, is the equivalent output loading resistance
of mixer [59]. Combining TIA noise, the net spot noise at the
output of the receiver, due to the TIA and the mixer circuits
can be evaluated to be 0.32pV? /Hz. Within the LPF bandwidth
of 10 kHz, the total noise contribution due to TIA and mixer
combined can be calculated to be = 57 'V of r.m.s. noise voltage.

2) Programmable VGA and LPF Noise: As mentioned be-
fore, the

V2,0VGA = A%GA (4kT (R1||R:)

+ 4kT(R2||Re) + V«;{mOp) ©)

1/f noise portion in VGA is critical in the total noise contri-
butions. Shown in Fig. 14(b) are the noise contributors. The
noise voltage at the input of the VGA due to R;||R; and
Rs||R; can be evaluated as 4kT'(R;||R: + R2||R:). The total
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calculation from each receiver stage and referred to the input noise current.

1/f and white noise due to the op-amp can be represented as
the input-referred noise (Vf,mop). Therefore, the total noise at
the output of the programmable VGA (VHZ,WG 4) due to the
contributions in Fig. 14(b) can be represented as where Ay ca
is the gain of VGA and it is set to 20 dB. The input-referred
noise spectrum density of op-amp (V?f,mop) is simulated to be
(0.19nV2/Hz)/f + (0.16fV? /Hz). The receiver output noise
spectrum due to VGA, under maximum gain of 20 dB, can be
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Fig. 18. Linearity and gain measurements showing a measured TIA gain of
91.4 dB (2 and 1-dB output compression at 16.8 pA.

evaluated to contribute a net noise of ~ 415 pVrms within the
10kHz of LPF bandwidth.The receiver output noise due to the
active4-th order LPF (V2 ) canbe evaluated by considering
the transfer functions from each noise source within LPF to the
output node, as demonstrated in Fig. 14(c). Table I summarizes
the small signal transfer function from each noise source to the
output of the 2-nd order LPF, and the output noise due to LPF
alone is =~ 117 pVrms.

Analysis of the noise sources show that the dominant noise
source in the receiver chain, as predicted, arises from the 1/f

Authorized licensed use limited to: Princeton University. Downloaded on February 28,2022 at 04:16:38 UTC from IEEE Xplore. Restrictions apply.



ZHU et al.: CMOS-BASED ELECTROKINETIC MICROFLUIDICS WITH MULTI-MODAL CELLULAR AND BIO-MOLECULAR SENSING 1261

=
1

‘_I.. -
—

MVO"BQE V) =

0t L-L- o Lt

0 20 40 60 80 100
Time (ps)

Fig. 19. High-voltage output waveform of the DEP HV driver ranging from
5-8 V of output swing.

TABLE 1
TRANSFER FUNCTIONS OF MAJOR NOISE SOURCES IN LPF TO LPF OUTPUT

Noise T(s)

Sources

V;; 1/(R1R26102)/D(5)

I m 1/(R2C1C2)/D(s)

I3 ro [s/Ca + 1/(R2C1C2)]/D(s)

VZinop || [8° + (1/(R1C1) +1/(R2Cy) +1/(R2C2)s +
1/(R1R2€102)]fD(8)
D(s) = 8% + [1/(R1C1) + 1/(R2Ch)]s +
1/(R1R2C1Cy)

noise in the VGA. The signal acquisition path for both cell and
protein sensing is co-designed with the electrode and the receiver
design, resulting in measured SNR of 10 dB and higher for cell
sensing measurements, as shown later in the paper. While these
metrics can be further optimized, the achieved sensitivity allow
us to demonstrate the principles of multi-modal functionalities
of the presented platform.

V. MEASUREMENT RESULTS

In this section, we present the overall packaging, electrical
performance, CMOS-driven AC-osmotic flow, cell manipula-
tion, and biosensor measurements.

A. CMOS Packaging and PCB System Implementation

The overall system is shown in Fig. 16. The custom-designed
ASIC is fabricated in TSMC 65-nm LP process. The chip
photographs are shown in Fig. 16(c). As the figure shows, the
DEP/AC osmosis chips are mounted both on the front and back-
sides of the PCB, and the impedance sensing chip is mounted
at the back (Fig. 16(a)—(b)). All the chip I/Os and the passive
microfluidic electrodes are wire-bonded to PCB. In addition,
there are also peripheral surface mount circuitries that control,
monitor and process the signals into and out from the custom
ASIC.

The biosensing platform is powered by two sets of AA batter-
ies. Fig. 16(d)—(e) demonstrate the system schematics that are
laid out to minimize cross-talk between the DEP/AC osmosis
drivers, and the impedance spectroscopy receivers.

B. Electrical Characterization of Impedance Sensing Chip

To characterize the sensitivity of the receiver, we connect the
receiver output to an off-chip low-noise pre-amplifier (Stanford
SR560) and subsequently to a spectrum analyzer (R&S FSW) to
acquire the output noise voltage spectrum. The measured input-
referred current noise is illustrated in Fig. 17. At a bandwidth
of 10 Hz, 100 Hz and 1 kHz, the input-referred current noise is
measured to be 301, 536 and 812 pA r.m.s. respectively.

To measure the linearity of the receiver, we connect a 10 k 2
resistor between the excitation path and the TIA input. The VGA
is set to unity gain for maximum linearity. As shown in Fig. 18,
the 1-dB compression is measured for an input current of 16.8 p
A. Combined with the input referred noise of 301 pA r.m.s. at a
bandwidth of 10 Hz, the impedance sensing system is capable of
achieving a total dynamic range of 95 dB. In summary, the input-
referred noise and linearity performance is compared against
other state-of-the-art CMOS impedance biosensors (Table II),
providing sufficient sensing capability for both cell cytometry
and protein assay.

C. DEP and AC Osmosis Driving Signals

To test the high voltage driving capabilities across frequency,
we send a 16-bit code to the chip that sets the output frequency.
Fig. 19 demonstrates a measured driving waveform at the output
of the HV driver, ranging from a supply voltage of 5-8 V,
demonstrating sufficient electric field intensity (> 10°V /m) for
the DEP focusing and separation electrodes.

Since the entire device is powered on battery, power consump-
tion of the DEP and AC osmosis driving circuit is of concern
for this application. Specifically, at 0.001x PBS concentration,
the equivalent resistance between the 7 pairs of DEP and 100
pairs of AC osmosis electrodes are on the order of tens of M2
and a few M2 respectively. With driving voltages on the order
of 5-18 Volts, the power consumption due to the driver is quite
insignificant given the power density of a typical AA battery are
on the order of 1-3 Wh.

D. AC Electro-Osmotic Flow Characterization

To characterize the AC-osmotic fluid flow, we drive the
electrodes and measure the fluid flow on the other side of the
microfluidic channel by observing the bead velocity and to
eliminate the effect of DEP on the beads (Fig. 20) [29]. As
shown in Fig. 21(b), two floating electrodes, each with a width
of 100 and 200 pzm are fabricated far away from the AC osmosis
electrodes to accurately measure the bulk fluid velocity. As de-
scribed in the previous section, the osmotic flow is dependent on
the electrode width, separation and fluid ionic concentration. In
this work, 0.001 x PBS concentration is injected in the microflu-
idic channel to maximize the double-layer diffusion length. To
accurately measure the fluid velocity, 1 pm of polystyrene beads
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AC-osmotic flow measurements. (a) Measurement location for the AC osmosis showing relative to entire glass substrate. (b) A zoomed view of the two

floating electrodes with 1 um beads flowing on top of them. (c) and (d) Bulk fluid velocity characterizations for pattern #1 under different excitation frequencies

and PBS concentrations.

is mixed with the PBS solution. The small bead size is chosen to
minimize the fluid drag effect while remaining observable under
a microscope.

In summary, the fluid driving capability is measured in fol-
lowing order. First, the 1 pm polystyrene beads (Sigma-Alrich
LB11) is mixed with 0.001x PBS (diluted from 1x PBS so-
lution). Then, the fluid mixture is injected in the microfluidic
channel. Next, a 100 kHz driving frequency is turned on from the
CMOS chip with varying amplitude. Finally, the fluid velocity
is determined by measuring the time that the 1 ym beads takes
to travel across 100 and 200 pum electrodes respectively.

As explained in Section II, ionic concentration is an important
factor that determines bulk fluid velocity. In particular, low ionic
concentration results in a longer diffusion length. On the other
hand, it also creates a larger equivalent liquid resistance (F;
to Ry in Fig. 4). As shown in (1), the center frequency (w,)
is proportional to 1/(Ceq+/R1En). Therefore, by decreasing
the ionic concentration, the center frequency (w,) decreases as
well. One risk of operating at lower frequencies in the range of
tens of kHz, is the possibility of electrolysis, bubble formation
and eventual electrode damage. This phenomenon has been

reported in prior works [29]. Therefore, low frequency operation
is generally avoided on this platform.

A balance between the ionic concentration, frequency, and
the electrode dimension is experimentally optimized and sum-
marized in Figs. 20 and 21. In summary, pattern #1 with a large
electrode width of 15 pm appear to have the best fluid velocity
with top speed reaching nearly 160 pm/s at 100 kHz. This
translates into roughly 0.1 pL/min of fluid volume processing.

The authors would like to emphasize again that the proposed
electrode geometry with 160 pm/s of velocity, does not set the
upper limit of what AC electro-osmosis can achieve in general.
Optimized electrode gemotery can allow more efficient vortex
generation and fluid drag with 1% atm pressure [35]. Such high
pumping pressure can even be used to drive high ionic buffer
fluid (>100 mM) through slipping velocity, allowing indirect
pumping of sampled bio-fluid to achieve complex bioassay,
such as DNA hybridization [35] and protein-protein interac-
tion straight from human serum sample [23]. This solves the
issue where high ionic bio-sample fluid cannot be manipulated
directly through AC electro-osmosis, opening up a range of
applications in biosensing. In this proof-of-concept work, we
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demonstrate the capability of the function, that can be optimized
further depending on the application of interest.

E. Cell Focusing and Positioning With Engineered Fields

As described in Section II, the chip architecture has the ability
to engineer the electric fields within a cell flow to precisely
control their positions for sensing and subsequent separation. We
characterize this functionality through electronic actuations and
calibrating it with the video from the microscope (Fig. 22(a)).
The cell focusing performance is then measured by recording
the lateral displacements under various excitation conditions of
a set of fifty 10 pm polystyrene beads (Sigma-Aldrich Supelco
72986). Fig. 22 summarizes the electronic focusing performance
under different excitation voltages at 100 kHz with error bars
showing the standard deviations of each measuring set. In sum-
mary, the best focusing performance can be achieved under
excitation voltage of 14 Vpp on both sides, where a standard
deviation of only 2 um of focusing error is observed. This value
corresponds to less than 4% of the electrode separation gap of
50 pm, ensuring a consistent cytometry focusing performance.
On the contrary, when cells are off-center focused, they will
experience different lateral forces from the side with higher
excitation voltages, due to different entry locations. The other
side of the electrodes with smaller excitation voltage do not
provide enough force to counterbalance the cells, resulting in
larger standard deviations in measurement (Fig. 22(a)). The
proposed implementation significantly improves over the prior
works that rely on hydrodynamic focusing that requires separate
external pneumatic pumps [37], [38].

Controlling the balance of the excitations on the two sides of
electrodes, one can control the lateral displacement of the cells.
As shown in Fig. 22(b), when the electrodes are turned off, beads
are scattered randomly in the channel (50% going through both
channels). As the top excitation voltage increases from 0 V, a
larger percentage of cells are separated into the lower channel.
At 14 Vpp, nearly 100% of the beads are pushed into the lower
channel for 100 measured cells (Fig. 22(b)), demonstrating
a very reliable cell separation capability. Therefore, for a 50

pm electrode separation and 100 pm channel width, one-sided
voltage excitation above 14 Vpp is preferable.

FE. Cytometry Measurement Using Polystyrene Beads

The cytometry impedance measurement is first performed
using two types of polystyrene beads: Sigma-Aldrich Supelco
72986 (10 pm) and 74491 (20 pm). First, the beads are diluted
from the stock aqueous solution into 0.001x PBS solution
buffer with dilution ratio between 1-0.1%. This ratio is ex-
perimentally obtained to prevent clogging in the microfluidic
channel while maintaining the best measurement visuals under
microscope [53].

The diluted beads are then injected into the microfluidic
channel and controlled electronically for accurate impedance
measurements. Fig. 23 demonstrates real-time measurement
results of size 10 and 20 pm of beads under roughly 100 pm/s
of flow rate. The average peak voltages are measured to be
around 2 mV for 10 pm when channeled far away from the
TIA input electrodes, and 4 mV when channel closer to TIA
input electrodes. In addition, for a 20 pm polystyrene bead size,
the signal is significantly larger when comparing against 10 pm,
reaching nearly 8 mV of signal. This is close to the expected
value, as the signal is proportional to the cubic power of the
particle volume. The closeness of the cell flow to the electrodes
can be controlled by the set of prior DEP electrodes as described
previously. In addition, one can also estimate the velocity of the
flow fully electronically by measuring the temporal separation
of the peaks of a single bead as it flows through the various
electrodes.

To allow real-time separation of the cells based on their sizes,
it is possible to create an autonomous feedback control system.
This separation requires feedback programming/classification
to differentiate waveforms caused by different cell sizes in
real-time. On average, the time that takes the cell to pass through
one impedance sensor is on the order of 0.3 secs under 160 pm/s.
Therefore, the electronic feedback system can be made much
faster than the biological time constants, allowing a simple
threshold detection algorithm to function robustly.
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Fig. 23. Cell sensing measurements. (a) Measured real-time sensing results

fora 10 pm bead flow. A signal of magnitude =~ 2 mV is observed when the bead
flows away from the sensing electrodes. In comparison, the signal is doubled
(4 mV), when the bead flows close to the input electrodes. This can be controlled
by prior DEP electrodes. (b) For larger beads of size 20 pm, a signal level of
8 mV is measured when the bead flows away from the electrode. (c) Real-time
measurement of yeast cell (S. Cerevisiae).

G. Cytometry Measurement of Yeast Cell

To demonstrate the cytometric sensing capabilities, we mea-
sure the performance with cultured yeast cells (Saccharomyces
Cerevisiae). Similar to the previous sample preparation, the yeast
cells are suspended in the same 0.001 x PBS solution. The sizes
of the yeast cells are in the range of 5-10 pm [60]. Therefore,
ensuring consistent focusing of the cell in the channel is a critical
aspect in the measurement.

As shown in Fig. 23(c) when the cells are focused close
to the TIA input electrodes, the cells demonstrate discernible
signal levels (= 2 mV of signal), when compared against the
solution baseline. The SNR is measured to be around 10 with
the yeast cells (= 6 pm in diameter) focused close to the edge of
the TIA input electrodes. Assuming, the signal level is roughly
proportional to the volume of the cell size, the limit-of-detection
(LOD) for the cytometry is approximately around 2.7 pm of cell
size for SNR = 1.

H. Protein Measurement

Finally, protein bioassay measurement capability is also re-
ported in this work. As a proof of concept, the measurement
is performed on separate gold electrode platform on silicon
substrate, and can be easily integrated in the same glass substrate
as the AC osmosis and DEP system electrodes. As shown in
Fig. 24(a), the center excitation electrode has a diameter of
3 mm, with four TIA input electrodes (1 mm) located at the
corners of the sensor. We then deployed standard label-free self-
assembled monolayer (SAM) assay on the custom-fabricated
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Fig.24. Label-free bio-molecular sensing measurements. (a) Protein measure-
ment electrode platform with 3 mm diameter for the center excitation electrode
and 1 mm diameter for the TIA input electrodes. (b) Measured cytolysin target
protein. (c) An illustration of surface chemistry developed for the Cytolysin
protein detection, following standard self-assembled monolayer (SAM) bioassay
protocol.

gold electrodes [5], [64]-[67], and the electrode preparations
are demonstrated in the following paragraph.

First, the impedance gold electrodes are immersed in ace-
tone, isopropanol (IPA) and Milli-Q water and then sonicat-
ing for 3 min. The electrodes were dried with a nitrogen
stream and placed in a UV-O3 cleaner (BioForce Nanoscience,
USA) for 30 min. Finally, they were rinsed with IPA and
dried with nitrogen stream. A mixed self-assembled mono-
layer (SAM) was formed ex-situ by incubating the gold elec-
trodes overnight at room temperature with a mixed solution
of alkanethiols (16-mercaptohexadecanoic acid (MHDA) and
11-mercaptoundecanol (MUOH)) in ethanol. The electrodes
were then thoroughly rinsed with ethanol and dried with nitrogen
stream [68]-[70].

Before applying the target cytolysin protein, the carboxylic
group of MHDA were activated as carbodiimide esters by incu-
bation of a mixed solution of EDC/sulfo-NHS (0.2 M/0.05 M) in
MES buffer for one hour, and then rinsed with water and dried.
The electrodes were incubated with a solution of antibody (50
pg/mL) in PBS buffer pH 7.4 overnight at room temperature.
The electrodes were rinsed with PBS buffer to remove unbound
antibody and dried with nitrogen stream. The uncovered gold
surface was blocked with a 3% bovine serum albumin (BSA)
to avoid non-specific bonding, due to its superior anti-fouling
properties. The final surface chemistry is illustrated in Fig. 24(c)
after surface functionalization and activation.

We then proceed with the protein measurements with vary-
ing target cytolysin concentrations. Fig. 24(b) summarizes the
measured admittance w.r.t. different cytolysin concentrations at
excitation frequency of 500 kHz. The non-monotonic decrease
for /Y at 80 nM is caused by slight movement of droplets on
different electrode sensors between experimental trials which
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TABLE II
COMPARISONS WITH STATE-OF-THE-ART CMOS IMPEDANCE CELL CYTOMETRY AND PROTEIN SENSING SYSTEMS
This Work [38] [61] [12], [62] [63] [54]
Functionality CMOS-driven Pressure-driven | Pressure-driven | Pressure-driven | Pressure-driven | Protein + DNA
bulk flow + cell | flow + flow + flow + flow + impedance
focusing 2-element 1-element 4-element 1-element spectroscopy in
+ 16-element impedance impedance microwave impedance static well
impedance sensing sensing dielectric sensing
sensing sensing
(4 cell, 12
protein)
Process 65nm LP N.A. 0.35um AMS 65nm N.A. 0.35um
Sensor Type On-chip TIA + On-chip TIA + | Off-chip TIA + | Capacitive + Off-chip TIA + | On-chip TIA +
direct direct direct high freq. osc. external SR844 | direct
conversion conversion conversion Lock-in Amp conversion
Integrated Bulk Yes No No No No No
Fluid Control
Cell Focusing Integrated External External External External N.A.
Method electronic DEP hydrodynamic hydrodynamic hydrodynamic hydrodynamic
focusing focusing focusing focusing focusing (oil)
Cell Separation Integrated No Externally- No No N.A.
/Actuation CMOS-driven driven DEP
DEP separation separation
Integrated Yes No No No No No
Molecular
Sensing
Power 250pW/pixel N.A. N.A. 65mW N.A. (SR844 T20pW/pixel
Consumption Lock-in Amp)
Input Referred 301pArms @ N.A. N.A. N.A. N.A. 330pArms @
Noise 10Hz 10Hz
Sensor 95dB N.A. N.A. N.A. N.A. 97dB
Dynamic Range
Minimum Cell =~ 2.7Tum 2~ 3um =~ 2.5um ~ 0.3um ~ 0.5um N.A.
Detection Size!
@ SNR=1
Cell S. cerevisiae RBC S. cerevisiae Breast cells E. coli N.A.
Measurement and leukocytes

"Minimum cell detection size estimated by scaling down the signal and assuming the signal strength is proportional to the cell volume (Sig. oc diameter®).

results in a slight drift in impedance signal. This effect can be
eliminated through titration of target sensing molecule with a
fixed buffer solution on the same electrode sensor, and with
more optimized control environment. In summary, the Fig. 24(b)
demonstrates the lowest detection concentration at 20 nM when
comparing against the solution baseline.

Finally, the performance for the proposed system is summa-
rized in Table II against other state-of-the-art CMOS cytome-
try/protein biosensor. In particular, this is the first work, to the
best of authors” knowledge, that integrates the functionalities
of pneumatic-free bulk fluid processing along with microfluidic
cytometry and protein sensing in a single battery powered hand-
held device.

VI. CONCLUSION

In conclusion, we present an approach to combine CMOS-
based electrokinetic microfluidics with multi-modal cytom-
etry and protein bioassay sensing array platform for POC

applications. Specifically, we focus on realizing pneumatic-
free microfluidic drivers with integrated cell actuation and
impedance sensing capabilities for both cytometry and label-
free protein sensing that are compatible with standard bioas-
say protocols. We showed AC-osmotic bulk fluid flows with
optimized electrode geometries and dynamic engineering of
electric fields to precisely control, sense and separate cells for
cytometry. We demonstrated 16-element impedance spectro-
scopic receivers on-chip for real-time cell sensing and protein
assays. The approaches can be further optimized to yield better
performance, but the presented sensing platform demonstrates a
pathway toward pneumatic-free complex biosensing platforms
and ultra-miniaturization for in-vitro and in-vivo applications.
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