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Abstract
In this manuscript, we present three different micro-impedance sensing
architectures for electronic counting of cells and beads. The first method of sensing
is based on using an open circuit sensing electrode integrated in a micro-pore,
which measures the shift in potential as a micron-sized particle passes through. Our
micro-pore, based on a funnel shaped microchannel, was fabricated in PDMS and
was bound covalently to a glass substrate patterned with a gold open circuit
electrode. The amplification circuitry was integrated onto a battery-powered
custom printed circuit board. The second method is based on a three electrode
differential measurement, which opens up the potential of using signal processing
techniques to increase signal to noise ratio post measurement. The third
architecture uses a contactless sensing approach, which significantly minimizes the
cost of the consumable component of the impedance cytometer. We demonstrated
proof of concept for the three sensing architectures by measuring the detected
signal due to the passage of micron sized beads through the pore.
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Introduction

Detection of cells and micron-sized particles in human biological sample media,
such as blood, saliva, and urine, has found wide use in many proteomics!-> and
genomics® applications. Flow cytometry’-10 based on optical detection of
fluorescently labeled cells!! or particles!?, in the form of fluorescence detection?, is
commonly used and is the gold standard method for performing cell detection and
quantification. Flow cytometry, as opposed to direct impedance measurement of
cells, is not suited for measuring true cell size or volume. Cytometry is of particular
importance for diagnostics in the developing world due to high mortality rate from
infectious diseases from the lack of rapid, low-cost tools available for early
diagnosis. The three most important diseases for diagnosis in the developing world
are HIV,13 tuberculosis,’* and malaria.!> One factor in diagnosing diseases such as
AIDS and tuberculosis is the CD4 cell count.16-18 Although not the standard method
for diagnosis for malaria, white blood cell counts?® are a factor in diagnosis.
Conventional flow cytometry is costly and does not meet the low cost and limited
resource settings constraints, due its need for expensive labels and bulky optical
equipment. As an alternative to costly optical detection, a promising strategy to
reduce the instrumentation cost associated with cytometers is to move towards
purely electrical detection, similar to what has been done previously with protein
detection.19-22 Ozcan et al have made significant contributions towards the
development of low-cost bio-optical detection technologies.?3-2> Some promising
approaches include the use of lensless optics for imaging wide surfaces of captured
cells?6 and the use of microfluidic channels integrated on miniaturized cameras,
such as those integrated into cellphones, for ultra-cheap cytometers.2” Despite these
efforts, electrical detection can provide a more cost-effective solution to cytometry.
This concept was first introduced by Wallace H. Coulter in 1953, where he
demonstrated that particles can be detected based on modulation in resistance
across a pore.28 Electrical detection has been commonly achieved using a lock-in
impedance measurement, which involves a two electrode excitation and
measurement system.*5 In this method, one electrode is excited with an AC voltage,
and the resulting current signal flowing from the second electrode is measured
through subsequent amplification, mixing (with a local oscillation signal), and low
pass filtering stages. Hywel Morgan et al. demonstrated single cell dielectric
spectroscopy using a microfabricated flow cytometer based on a multi-frequency
lock-in technique.2? 30 Saleh and Sohn?.31-37 used a four electrode sensing method
for protein detection. In recent years, novel applications of microfluidic cytometers
have been demonstrated such as analysis of cell apoptosis and even studying zebra
fish.38-40 Thomas et. al developed a high resolution cytometer which was able to
analyze electronic nuclear volume and DNA content of cells.4! Other groups have
improved both the impedance sensing scheme and throughput of the micro-
fabricated Coulter counter.#2 Wu et al.#3 incorporated symmetric mirror channels in
their sensing scheme. The use of symmetric mirror channels in the sensing scheme
resulted in an improvement in the measured signal-to-noise ratio allowing for
detection of 520 nm-diameter particles in a sensing pore of 50 x 16 x 20 um3. A four
aperture design was also demonstrated capable of detecting and counting micron-sized particles

2

Page 2 of 24



through the corresponding sensing channels simultaneously.*% 4> A high bandwidth RF probe was
used to report a counting rate of 30 kHz in a single microfluidic channel.*¢ Other
interesting techniques such as the use of three-dimensional hydrodynamic focusing#” have
been proposed, creating a virtual narrow wall for minimizing detection variation
without risking the clogging of the channel. Recently demonstrated impedance
sensing applications include determination of the spermatozoa concentration in
semen*8 as well as quantification of red blood cells in diluted whole blood using a
microfluidic chip with polyelectrolytic gel electrodes (PGEs)#°. Zhe et. al
microfabricated a coulter counter with multiple sensing microchannels to
quantitatively measure polymethacrylate particles and pollen.5? To further
demonstrate the applicability and utility of electronic detection, in this manuscript
we present three different novel micro-impedance sensing architectures for
electronic counting of beads. We discuss the sensing modality and predicted
performance of each, the micro-fabrication process, and the experimental
characterization of each sensor. The scope of this paper is focused on demonstrating
the proof of concept of the sensing mechanisms for particle detection, rather than
demonstrating full coulter counter functionality.

Sensing Architectures

We have designed, fabricated, and tested three different impedance sensing
architectures for detecting micron sized particles as described below:

Open Circuit Single Electrode Sensing Architecture

In this approach, we use a single open circuit sensing electrode integrated in a
micropore. The sensor consists of a microchannel (300 um wide) which tapers
down to a smaller (40 um wide) diameter pore (Figure 1(a)). A single open circuit
electrode is integrated below the pore. A fixed voltage (18 V) is applied across the
pore with a positive voltage at the inlet end and a negative voltage is applied at the
other end, and the sensing electrode is AC grounded. Since the dimensions of the
pore are small relative to the wider channel, the voltage drop is primarily across the
pore (9 V preceding the electrode and -9 V following the electrode assuming that the
sensing electrode is precisely located in the center of the pore, thus the potential at
the electrode is 0 V). As a result, a particle passing through the pore will displace
ionic current corresponding to its volume, resulting in a transient increase in local
resistance as dictated by the following equation (Bean and Dublois3):

+
r¥a e —E

—(A‘I?C_Wz) ) eq. 1
s I?c—'?’ﬂ‘? ch

where rp is the particle radius, Ac is the cross section area of the channel, and p;s is
solution resistivity. Thus, as the particle enters the pore, the increase in resistance
(4R) preceding the electrode will result in a negative shift in potential on the
sensing electrode due to the increase in the voltage drop on the left side (pore
entrance) of the electrode. The drop in potential (4Vy) can be estimated by a
voltage divider relation:
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where Vp is the positive voltage at the inlet (in our case 9 V), -Vy is the negative
voltage at the outlet of the channel (in our case -9 V), Ry; is the pore resistance to the
left of the electrode, and Ry is the pore resistance to the right of the electrode. This
in turn will correspond to a transient drop in the current which can be
approximated by the following equation:
Al = Sy eq. 3.

Rl

Conversely, as the particle passes through the pore an increase of potential at the
site of the sensing electrode occurs. (Figure 1(b)). Similarly, the increase in potential

(AVpp) can be estimated by a voltage divider relation:
Ay — Gtepiar
PP R r+Rprtan q. %

which corresponds to a rise in current approximated by the following equation:

e
Alyy = —2 eq. 5.

AV, = eq. 2,

The sensing electrode (Figure 1(c)) is attached to a large capacitance, for decoupling
the DC voltage signal, which is tied to a charge sensitive pre-amplifier (Cremat CR-
110, Cremat Inc. Watertown, MA). This circuit setup is typically used for charge
detection. However, it is still applicable to sensing for an open circuit configuration
(our case). The charge sensitive pre-amplifier is a current integrator that can display
the effects of the changing potential on the sensing electrode resulting from the
presence of a bead. The signal from the pre-amplifier is further amplified by 2.
Platinum wires, one tied to 9 and the other tied to -9 V were immersed into the inlet
and outlet wells. In addition to the platinum wires on the microfluidic chip, the
amplifiers on the circuit board were powered with 9 V batteries. Furthermore, both
the microfluidic chip and the printed circuit board (PCB) were housed in a faraday
cage, which was a small copper box, in order to shield the measurement electronics
from parasitic external electromagnetic interferences. The use of batteries in our
setup offered two major advantages. The first advantage was the fact that powering
the readout circuitry along with generating sufficient voltage across the channel
resulted in a less noisy baseline signal as compared to when the circuit and channel
were both powered up by external voltage sources. Furthermore, the use of
batteries illustrated the potential to fabricate low-power, portable hand held
instruments. The output of the amplifier was fed into a data acquisition card
(National Instruments, PCI-6120) where the data was analyzed using a virtual
instrument (VI) in Labview (National Instruments) on a PC.

Three Electrode Differential Lock-in Measurement Architecture

As illustrated in Figure 2(a), three electrodes A, B, and C are patterned in the
microfluidic channel, such that electrode B is positioned within the micropore. The
impedance is measured between electrodes A and B (Z43), and between B and C
(ZBc). The difference between these two impedances (i.e. Z4s - Zpc) is then captured,
which shows a negative and subsequently a positive peak, as each particle passes
through the pore. This approach is advantageous to a standard two electrode lock-in
measurement in that each event (particle passing through pore) results in a unique
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signature (negative peak followed by positive peak) which can itself be used to
further increase the signal to noise ratio using a matched filter, when post
processing the data.

To perform this measurement we used a lock-in-amplifier (Zurich Instruments,
Zurich, CH) where we apply an AC excitation voltage to electrode B, and we attach
each of the electrodes A and C to a separate current preamplifier. The outputs of the
two current preamplifiers are then tied to a differential amplifier, which then
further amplifies the difference by a gain factor (G), the output of which is applied to
an amplitude demodulator, consisting of a mixer which shifts the signal back down
to baseband in the frequency domain and a low pass filter. The amplitude
demodulator essentially serves as a peak detector circuit.

Contactless Impedance Cytometer

Micro-electro cytometers are advantageous to their optical counterparts in that the
instrumentation required to perform the readout is significantly lower in cost. The
disadvantage, however, is that electrical cytometers require patterning of electrodes
on the substrate which results in higher cost of the consumable (disposable)
component of the assay compared to optical assays which do not require any micro-
patterning on the glass substrate since the measurement can be performed in a
contactless format.

Here, we also implement an impedance cytometer where the measurement is
performed in a contactless format (Figure 3). With this approach, the electrodes are
deposited onto a PCB substrate which is the reusable component, and the
disposable unit consists of a thin bare dielectric substrate bonded to a PDMS
substrate with a channel embedded into it. The disposable microfluidic channel is
placed onto the PCB where the electrodes measure the impedance across the
microchannel in a contactless format without becoming contaminated. The
microchannel can then be disposed of. The cost of the disposable unit here is
significantly cheaper than the disposable unit in a traditional micro-electrode
impedance cytometer since no electrode patterning is required. The impedance is
measured between the two electrodes using a lock-in amplification measurement,
as described before. We previously implemented contactless sensing and
demonstrated proof of concept where the base dielectric substrate was a 130 pm
thick glass coverslip.3 Here, we present two novel methods for fabricating the
contactless device, thus lowering the cost and improving sensitivity. The first
involves bonding the top PDMS substrate (with embedded channel) to a thin PDMS
membrane, and then placing the chip onto a PCB. The second involves bonding the
top PDMS substrate (with embedded channel) to a piece of double-sided tape, which
then is placed onto the PCB.

Fabrication Procedure

Electrode Fabrication for Open Circuit Electrode and Differential Impedance
Cytometer

The same fabrication methodology was used to fabricate both the open circuit
electrode and the differential impedance cytometer. The microfluidic sensor was
fabricated in a two-step manner. The microelectrodes for both the open circuit
electrode architecture and also the three electrode architecture were patterned on
glass using standard photolithography, evaporation, and liftoff processing.
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Microchannel Fabrication

The microchannels for all three architectures was patterned using soft-lithography
and imprinted into a PDMS chip. Before the bonding step, 3 mm holes were
punched through the PDMS to make inlet and outlet wells. Both the PDMS and glass
substrates were treated with oxygen plasma and then aligned and bonded
covalently to the glass substrate. Purified DI water was injected into the inlet well
using a pipette to keep the channel wet to prevent it from becoming hydrophobic.
Given that the PDMS was hydrophilic due to the oxygen plasma bonding treatment,
the fluid was wicked so that the microfluidic channel became filled completely with
fluid.

Fabrication Method for Contactless Impedance Cytometer

The custom PCB (Sierra Circuits Inc.,CA, USA) consisted of 2 mm x 5 mm electrodes
spaced 2 mm apart with traces leading from the electrodes to SMA RF connectors on
each end. Before each set of measurements, the microchannel pre-bonded onto the
desired dielectric layer using the methods described in the next two paragraphs.
The bonded chip is aligned and sealed contact with the electrodes using high
vacuum grease.

The first method for fabricating the electrodeless sealed microfluidic chip involves
bonding the top pdms channel chip onto a thin PDMS membrane. A thin 10 um film
of PDMS is spin-coated onto a silicon wafer and then cured, which serves as
structural support for the membrane. The PDMS channel chip and the thin
membrane are then treated with oxygen plasma, and bonded to each other. An
exacto knife is then used to cut through the membrane surrounding the chip, and
the chip (bonded to the membrane) is transferred to be placed onto the PCB.

The second method for fabricating the electrodeless sealed micrfluidic chip is
similar to the first with the difference that the top PDMS layer is sealed from the
bottom with a piece of double sided tape. The electrodeless microluidic chip is then
taped down onto the PCB for performing measurements.

Sample Preparation and Microchannel Flow

Experiments on the three different architectures were performed using three
different particle types: 9 pm polystyrene beads (Spherotech Inc, Indianapolis, In),
and 2.8 um paramagnetic beads (Invitrogen Inc.). In these experiments, the beads
were suspended in DI water (with conductivity ~ 1 mS) and Phosphate Buffer Saline
(PBS, with conductivity ~ 1 S). Sample was pipetted into the inlet well and gravity
based flow was used to move the beads/cells through the pore based on the
difference in height between the inlet and outlet well. This was the most suitable
method for actuating flow in the microdevice in order to obviate the need for tubing
and syringe pumps, which also resulted in bringing parasitic noise from the power
line into the system, and increased the complexity of the setup.

Results and Discussion

Single Open Circuit Electrode Architecture

Results in Figure 4(a) show electrical pulses resulting from individual beads passing
through the pore demonstrating real time detection. Variations in the magnitude of
the pulses were observed and are due to beads travelling off of the pore axis. This is
a commonly observed effect in coulter counter devices, such as that reported by
Saleh et. al.>1 Aggregation of beads and the varying number of aggregates also
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results in variations in the peak magnitude due to the larger combined volume.
Figure 4(b) shows a zoomed in pulse of a single event. The misalignment of the
electrode with the pore resulted in asymmetry of the negative and positive peaks,
due to the fact that the values for Rp1 and Ry2 are no longer equal.

We performed several control experiments to verify that the observed pulses were
indeed due to beads passing through the pore. The first control experiment was an
empty device with no fluid to ensure that the sensing electrode was not picking up
any spurious signals. The second control experiment was a channel filled with water
and no beads injected, and no 9V and -9 V DC voltage being applied at the inlet and
outlet of the channel. The third control experiment was similar to the first control
experiment, with the difference that the 9 V and -9 V DC voltage was applied at the
inlet and outlet of the channel. The fourth and final control experiment was a
channel filled with water where beads were injected and no DC voltage was applied
between the Pt electrodes at the inlet and outlet wells to confirm that pulses would
be observed as a result of the transient shifts in potential on the sensing electrode
rather than detection of charge on the beads or some other type of physical
mechanism. The output data from all four of the control experiments exhibited no
pulses and no signal beyond the background noise which was on the order of 300 fA
of current noise, whereas the smallest peak size observed in the positive experiment
was at least 3pA.

Three Electrode Differential Lock-in Architecture

Results in Figure 2(b) show representative data of changes in electrical impedance
signals resulting from 2.8 pm beads passing through the 40 pm micropore. Passage
of each bead through the pore resulted in the expected signature, i.e. a negative peak
followed by a positive peak. In order to verify that the signature peaks are indeed
due to bead passage, we monitored the micropore under an optical microscope
while performing the electrical measurements. A 1 V AC signal is applied at 500 kHz.
The average signal to noise ratio for a single bead passing through the pore is 18
(25.1 dB). We previously used this type of impedance sensor in the context of
detecting proteins.>2

Contactless Measurement

The major challenge we previously had in the contactless sensing approach is that
the 130 um thick glass coverslip acts as an insulator and makes the coupling of the
electrodes to the solution extremely difficult since the electric field gets buried in
the insulator and does not reach the electrolyte. We resolved this issue by referring
to the circuit model, which consists of a combination of the capacitance (due the
presence of the insulator) at each end of the electrode terminal in series with
solution resistance, altogether in parallel with a parasitic capacitance as a result of
electrodes coupling. In conventional impedance cytometers, where electrodes are in
direct contact with the electrolyte, double layer capacitance forms at the electrode-
electrolyte interface, and one must apply a high enough frequency to short the
double layer capacitance. Similarly, in our contactless system, one must apply a
high enough frequency to capacitively couple the electrodes to the solution
resistance. Using multi-frequency measurements with the lock-in amplifier, we
experimentally determined that a frequency of at least 40 kHz was required to begin
observing measurable peaks. The advantage with the architecture we used here
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was that, for both the thin PDMS membrane and the double-sided tape, the
thickness of the dielectric layer is at least one order of magnitude thinner than the
glass coverslip, resulting in significantly higher capacitance, which makes capacitive
coupling to the glass possible at lower frequencies, and also results in higher signal
to noise ratio, while decreasing the device cost.

Experiments were performed using 2.8 pm-diameter magnetic beads. In Figure 53,
we plot the impedance spectrum of the contactless device in order characterize the
parasitic behavior and determine the optimal regime for device operation. At
frequencies below 100 kHz, the impedance is mostly dominated by the capacitance
of the insulator layer (sandwiched between the electrode and buffer solution). At
frequencies between 100 kHz to 1 MHz, the impedance is dominated by the bulk
solution resistance across the electrolyte. This regime is optimal for measuring the
impedance of cells or beads passing across the channel. At frequencies above 1
MHz, again we see a drop in impedance with frequency. This region is dominated by
the parasitic capacitance. We injected beads into the channel and performed multi-
frequency lock-in measurements (Figure 5b). We show this data both for a single
peak vs. time and also the average of an ensemble of peaks at multiple frequencies
(Figure 5c). As expected, higher frequency results in higher signal to noise ratio.
Conclusion

In conclusion, we have developed three different methods for electronic sensing of
cells and micron-sized particles, each geared towards a different application and
setting. All three methods have the potential of becoming battery powered. In the
first method, we demonstrated a system where the channel excitation and the signal
amplification was entirely battery powered. This method used an open-circuit
electrode tied to a charge sensitive pre-amplifier, and was based on detecting the
shift in potential (which in turn results in transient current changes as observed)
when a micron sized particle passes through the pore. The second method was
based on a three electrode differential measurement, which opens up the potential
of using signal processing techniques to increase signal to noise ratio post
measurement. The third architecture used a contactless sensing approach which
significantly minimizes the cost of the consumable component of an impedance
cytometer. For any of these three architectures, given the robust signal readout,
future studies can be dedicated towards integrating both the low noise readout
amplification circuitry, along with the analog to digital converter circuitry, and the
digital processing unit onto the same chip, thus allowing the whole system to
become portable and battery powered. For future work, we will focus on validating
these various architectures on clinical blood samples and attempting to characterize
electronic cellular properties. This class of devices can find application in low cost
cytometry suitable for low resource settings.
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Figure Captions

Figure 1. (a) Schematic of microfluidic device integrated with open circuit electrode
at the bottom surface of the micropore. Microchannels 300 um wide taper down to
smaller pore so that majority of voltage drop is across the pore. Positive and
negative voltage applied at outer channel edges. (b) Circuit diagram of device under
test (DUT) integrated with readout electronics. Transient change in current across
the pore is amplified using integrator circuit configuration. (Inset) Bead passing
through the pore results results in drop in current and then rise. (c) Optical
micrograph of fabricated microdevice. Electrode is fabricated on glass substrate.
Microchannel on top is embedded in PDMS.

Figure 2. (a) Schematic of three-electrode system with differential lock-in
measurement setup. (b) Representative data of measured differential impedance for
five beads passing through pore one by one, indicating negative-positive peak
signature (PBS used as buffer solution, conductivity ~ 1 S/m).

Figure 3. Schematic of contactless impedance cytometer with disposable unit on top
of the reusable PCB containing the electrodes.

Figure 4. (a) Representative data of current readout for 7 um diameter beads
flowing through the micropore for single electrode open circuit sensing
architecture. Peaks of various sizes result from single beads and bead aggregates of
varying numbers flowing through the pore. The asymmetry of the positive and
negative peaks for each event is due to beads travelling off axis and also imperfect
alignment of the sensing electrode to the center of the pore (with DI water as buffer
solution). (b) Zoomed in view of representative data of a single bead passing
through the micropore.

Figure 5. (a) Impedance spectrum of contactless sensor device with PDMS
membrane (PBS used as buffer solution, conductivity ~ 1 S/m). (b) Multi-frequency
lock-in measurement of contactless measurement system with respect to time (20
kHz was buried in noise). (c) Plot of the average value of the improvement in SNR
as a function of frequency.
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