This article has been accepted for inclusion in a future issue of this journal. Content is final as presented, with the exception of pagination.

IEEE TRANSACTIONS ON BIOMEDICAL CIRCUITS AND SYSTEMS

Towards High Throughput Cell Growth Screening:
A New CMOS 8 x 8 Biosensor Array for
Life Science Applications

Ghazal Nabovati, Student Member, IEEE, Ebrahim Ghafar-Zadeh, Member, IEEE,
Antoine Letourneau, and Mohamad Sawan, Fellow, IEEE

Abstract—In this paper we present a CMOS capacitive sensor
array as a compact and low-cost platform for high-throughput
cell growth monitoring. The proposed biosensor, consists of an
array of 8 X 8 CMOS fully differential charge-based capaci-
tive measurement sensors. A DC-input XA modulator is used
to convert the sensors’ signals to digital values for reading out
the biological/chemical data and further signal processing. To
compensate the mismatch variations between the current mirror
transistors, a calibration circuitry is proposed which removes the
output voltage offset with less than 8.2% error. We validate the
chip functionality using various organic solvents with different
dielectric constants. Moreover, we show the response of the chip
to different concentrations of Polystyrene beads that have the
same electrical properties as the living cells. The experimental
results show that the chip allows the detection of a wide range of
Polystyrene beads concentrations from as low as 10 beads/ml to
100 k beads/ml. In addition, we present the experimental results
from H1299 (human lung carcinoma) cell line where we show that
the chip successfully allows the detection of cell attachment and
growth over capacitive electrodes in a 30 h measurement time and
the results are in consistency with the standard cell-based assays.
The capability of proposed device for label-free and real-time
detection of cell growth with very high sensitivity opens up the
important opportunity for utilizing the device in rapid screening
of living cells.

Index Terms—Capacitive sensor array, cell growth monitoring,
CMOS, high-throughput screening.

1. INTRODUCTION

MOS capacitive sensors have recently attracted the at-
tentions for a variety of life science applications such
as genetic analysis, infectious disease detection, and cellular
studies [1]-[3]. A capacitive sensor consists of an interface cir-
cuit connected to capacitive electrodes realized in the top most
metal layer in CMOS process. Among various interface cir-
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Fig. 1. Illustration of recently proposed capacitive sensor for cellular analysis.
(a) Cells attached on the interdigitated electrodes. (b) Simple illustration of
CBCM circuitry. (c) Response of the chip to adherent H1299 cells.

cuit topologies, charge based capacitive measurement (CBCM)
technique has demonstrated great advantages as highly accu-
rate technique for sensing applications [4], [5]. CBCM was
initially proposed for the measurement of cross talk capacitance
in between the conductors in CMOS chips using off-chip
DC ammeter [6]. Ghafar-Zadeh et al. took this technique to
another level by developing an integrated single-ended XA
charge to digital converter for Lab-on-Chip applications [7].
In another effort, Nabovati et al. reported a fully differential
core-CBCM interface circuit for chemical solvent monitoring
[8]. As a follow-up to that work, we used the same chip
for cellular growth monitoring [see Fig. 1(a) and (b)]. This
figure shows the attachment of H1299 cells on the surface of
CMOS chip. Following a standard cell culture procedure, the
cells were prepared and introduced to the CMOS sensor. All
tests were performed in triplicates to demonstrate the chips
functionality. As seen in Fig. 1(c), the sensor can detect two
phases of adhesion and growth in the cell culture followed by
trypsinization process which leads to cell detachment from the
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sensing electrodes. These promising results, shown in Fig. 1,
have inspired the idea of developing an array of large number
of capacitive micro-sensors integrated on the same chip for
high-throughput screening. In this paper, we take the first step
toward this goal by developing an array of 8 x 8 interdigitated
electrodes interconnected to fully differential A charge to
digital converters.

High-throughput cell culture screening is the key challenge
for a variety of life science applications including drug discov-
ery and cytotoxicity monitoring [9], [10]. To date, several efforts
have been made to develop microfluidic devices featuring ar-
rays of micro-chambers for cell culture screening using optical
microscopic techniques [11], [12]. However less attention have
been paid on developing integrated sensors incorporated with
cell culture micro-wells for monitoring cellular activities such
as tumor cell proliferation and cytotoxicity monitoring using
capacitive or Ion-Sensitive Field Effect Transistors (ISFETSs)
[13], [14]. Among these, capacitive techniques by offering low
complexity platform have significantly attracted attentions as
a mean to study cell-surface interaction that can be important
for a variety of biological studies [15], [16]. Despite these great
advances, still the development of a large number of capacitive
micro-sensors for high-throughput screening is a challenge.
These challenges can appear both in circuit design level or
integration level. In circuit design process, due to the large array
of sensing electrodes, the effect of parasitic and cross talk could
be considerable, hence choosing the right electrode structure
and dimension is very important. It is proved that choosing the
electrode features close to the test analytes, can optimize the
sensor performance. However, in cell-based applications, due to
the small capacitance of the sensor, the detection sensitivity are
limited by noise resulted from large parasitic capacitance that is
many orders of magnitude greater than the sensor capacitance.
Besides, the electronic noise from the readout circuit also
affects the measured accuracy. Therefore, they should be con-
sidered for the development of sensitive and accurate sensing
devices. On the other hand, the inclusion of CMOS technol-
ogy in the applications that necessitates the direct contact of
sensing or actuation electrodes with the chemical/biological
solutions complicates the packaging and encapsulation process.
The packages not only should protect the device from the
solutions but also it should be robust enough against several
cleaning procedures and long-term experiments such as cell
culture monitoring that can last up to 1 week. In this paper
we address these challenges by developing a CMOS sensor
array consisting of 64 capacitive electrodes. In the remainder
of this paper we will discuss the design and implementation
of this chip in Section II, followed by a discussion on its design
optimization in Section III. The results of fabricated chip and bi-
ological/chemical experiments will be discussed in Section I'V.
This section is followed by the conclusion in Section V.

II. FULLY DIFFERENTIAL CAPACITIVE SENSOR ARRAY
DESIGN AND IMPLEMENTATION

The proposed CMOS cell-based biosensor consists of a capac-
itive sensor system as shown in Fig. 2(a). In this section, we
put forward the details of this system including 64 capacitive
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sensors (Cg), eight decoders, eight YA ADCs, and eight
reference electrodes along with calibration circuitries. A FPGA
system is also used to generate clocks (®1, $o, 3, and Py)
in order to activate CBCM structure and DC-input A mod-
ulators and finally readout the data from capacitive electrodes
(Css). Also this FPGA controls the decoder and calibration
circuits accordingly.

A. Differential Charge to Voltage Converter

The fully differential charge to voltage converter con-
sists of a CBCM structure (M; — M), integrating capacitors
(Cint+, Cing—) and several current mirrors as was previously
described in [8]. As shown in Fig. 2(b), the sensing current I’
which is charging the capacitive sensing electrodes (Cg’j ) is
described by

j dVsg

= B(Vop — Vsg — Vinp)?

(1

where Vpp is a power supply voltage, Vsg is the voltage
dropped on sensing capacitor, Viy,p, is the pMOS threshold
voltage, Vpp — Vsg is My gate-source voltage, 0 < 7,7 < 8,
and (3 is transistors parameter and is equal to p,, Cox W/ L where
Lin, 18 the surface mobility of charge carrier in MOS device, Cox
is the gate insulator capacitance and W/ L is MOS transistor’s
aspect ratio.

By solving the above differential equation and by assuming
that the sensing and reference electrodes are fully discharged at
t = 0, then the transient value of voltage on sensing electrode
is given by

Cs(Vbop — Vinp)
B(Vop — Vinp)t + Cs

VsE = + Vop — Vinp- (2)

The transient current, that charges the integrating capacitor can
be calculated as

KiC4 (Vop — Vihp)?
(8(Vop — Vihp)t + cgﬂ’)2
K>K3C%(V — DD — Vthp)?
~ (B(Vop — Vithp)t + CL)?
where Ky, Ko, and K3 are the first (M5, M7), second
(Mg, Ms) and third (Mg, M) current mirrors’ amplification

factors. The final value of current that is charging the integrating
capacitor is calculated by the following equation

2V
Ig' =

3)

I = f, (chgj - KQKgcg) (Vop — Vithp).  (4)

We assume that in each ®, clock pulse period the capac-
itances are fully charged to approximately Vpp and we also
assume that K1 = KoK3 = K. Due to the circuit symmetry,
the same equations exist for both currents charging Ci,4 and
Cint— but with a negative sign for the latter. The output voltage
is obtained by

. 2KAC™Vpp fing

yrid 2K ACHVpp N
Cintfs

- C(int (5)

out
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Fig. 2. (a) System level block diagram of proposed cell-based capacitive sensor, CSs blocks refer to interdigitated sensing electrodes, and CBCM refers to charge

based capacitive measurement circuit block. (b) Circuit implementation of capacitive readout interface.

where ACH = Cfg’j —C% and f, is the frequency of @,
Cint = Cint+ = Cint— is the integrating capacitance, and fiy
is the frequency of ®3. As it is seen from (5), as the number of
integration cycles (N) increases, the output gain also increases.
In other words, the sensitivity of the circuit can be adjusted by
changing the ratio of fi,; and fs. We will use this feature to
control the sensitivity and dynamic range of the CBCM circuit.

B. DC-Input ¥ A Modulator

The proposed XA modulator is realized by adding a voltage
comparator, and a digital to analog converter to the described
readout structures as shown in Fig. 2(b). Considering the dif-
ferential architecture, two DACs, one with the negative current
(Mi3) and one with positive current (M;;) are added to
the core-CBCM interface circuit. To implement the quantizer
block, a 4-input comparator is adapted from [17] and modified
for use in the CBCM circuit. Eight XA modulators are imple-
mented in the array and the output bit-stream is collected and
decoded using custom-made Labview data-acquisition system
through an averaging routine that will be described later.

C. Sensing Electrodes Array

A complete capacitive sensor array is realized by integrating
switches SW*7, 0 < 1,7 <8 and 3 x 8 decoders as seen in
Fig. 3. The capacitive sensing electrodes, fabricated on topmost
metal layer of CMOS chip play the important role of interfacing
between readout circuitry and test solution. Each pixel in the
array is composed of a pair of interdigitated electrodes which
is patterned in M4 metal layer in TSMC 0.35 yum CMOS
technology. The dimensions of the electrode are specifically
designed to fit the area constraints of CMOS chip and max-
imising the sensing sensitivity. The interdigitated electrode size
is 50 x 50 pum?, comprising four fingers with 5 zm spacing.
In order to make a direct contact with analyte solutions, the
passivation layer in CMOS technology was removed in foundry
process using etching techniques and the aluminum layer is
used as the sensing layer. During the biological experiments,
in order to protect the aluminium from direct exposure to cell
culture solutions and also to provide a better electrode bio-
compatibility, a thick layer of Polydimethylsiloxane (PDMS)
is deposited on the electrodes serving as the passivation layer.
More details about the PDMS deposition process are provided
in Section IV-B.
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Fig. 3. Capacitive sensor array and corresponding addressing circuit. SW switches are controlled by 3 X 8 decoders and they are connecting the sensing electrodes

to core-CBCM circuits.
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Fig. 4. (a) Simplified block diagram of calibration circuitry. (b) Latched DAC
with reset input. In each calibration clock, the output voltage is compared with
the reference voltage, based on the difference with the reference voltage, the
4-bit DACs currents charging the integrating capacitors are adjusted.

D. Calibration Circuitry

The dynamic range of the capacitive sensor can be signifi-
cantly affected by the initial value of C's capacitors. Although
the initial value is partially cancelled by the differential ar-
chitecture, due to the circuit-nonidealities and current mirrors
mismatch, an offset value always exists at the output voltage.
To cancel this offset value, we propose a novel auto-calibration
method, shown in Fig. 4(a) that can be applied for each indi-
vidual pixel in the array. In each comparator’s clock period,
Vout 1s compared with two threshold voltages (Vi,—; and Vi, —p,)
that determine the upper and lower limits of output voltage,
respectively. If Vi, is smaller than V;y,_;, the comparator pro-
duces a digital value “1,” which leads to a “1” in shift register’s
first output bit. The shift register’s outputs are connected to a

-
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Fig. 5. Simulation results showing the calibration circuit performance.

latched DAC [Fig. 4(b)], once a switch is activated, a current
will be added to the total current charging Ci,¢ at the output
node. This process will continue until V,,,;; reaches the higher
threshold value, where there will be no changes in the current
sources and the total charging current will be fixed until the end
of calibration phase. In an opposite scenario, if V5, becomes
higher than the upper threshold voltage (Vi,,—1 ) the discharging
current will be added to the output node using latched DAC.
This process repeats for all 8 channels in a single row and the
calibration circuit is attached to each pixel by a 3 x 8 decoder.
At the end of calibration phase, the calibration circuit is sepa-
rated from the core circuit and the states of current mirrors is
stored on the corresponding shift registers connected to each
individual pixel. Fig. 5 shows the performance of calibration
circuit while adjusting the output voltage offset. In this simu-
lation, we made a 50% mismatch between the current mirror
transistors (Mg and Msg), and the value of C'r and Cg were se-
lected as 50 fF. Although there is no capacitance difference, due
to the mismatch, there is a 1 v offset at the output. During the
calibration phase, V¢ is compared to V;},_; and the discharging
current varies accordingly and results in a lower V. At the
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Fig. 6. Simulation results showing the effect of number of calibration stages
on the total error in output voltage caused by mismatch between current mirror
transistors in CBCM circuit.

end of calibration, the output voltage reaches to Vi, _; value. To
find the optimum number of stages for calibration circuit, we
designed three different calibration circuitries with 2, 4, and
6 stages. Thereafter the aspect ratios of current mirrors in
CBCM circuit was varied to create a mismatch between the
transistors. The output voltage error compared to the initial
point where there is no mismatch is calculated for all three
calibration circuits as well as the state where no calibration cir-
cuit attached to the CBCM. The results are shown in Fig. 6. As
seen, the 4 and 6 stages calibrations provide an output voltage
with less than 11% error. Considering the area and power
consumption, we have selected the calibration circuit design
with 4-stage to compromise between accuracy and area.

III. A MODULATOR DESIGN OPTIMIZATION

As previously described, by decoding the output bit-stream
of ADC, the capacitance variations can be extracted. In order
to study the effect of circuit’s non-idealites on the overall
system performance, parametric simulations can be done in
circuit-level and then further decoded using an algorithm that
runs in Matlab or is implemented in a FPGA platform. In
order to generate a single data for the decoder algorithm, one
should run the simulations for about 100 times by changing
each parameters (e.g. aspect ratio of transistors or capacitances)
with 1% increment or decrement. Therefore, in order to study
the effect of several parameters, the required time is very
significant. Additionally the required decoding time depends
on the number of bits in each stream that is a function of N
(number of integration cycles). Considering above mentioned
issues, in order to optimize the circuit parameters, we propose
a circuit behavioral model in Matlab as discussed as follows.
The proposed model has the advantage of being simpler and
potentially running faster compared to Spectre simulations,
allowing to run multiple parametric simulations at the same
time. The fundamental equation for XA modulator relating
y(n) to y(n — 1) can be described as

Y(n)=Y(n—1)+X(n) - Q(n) (6)

START
Y(0) « 0,Q(0) < 0| Variable reset
ne—1,i—1
1 Y
=n+1 END Sampling time check
Y(i)=Y(i-1

Output comparison with
reference voltages (V.

and V1)
k4
Q(i)=0 Q(iy=-1 Q(i)=1 Sigma-delta output
| ) ]
v
Y(i)=X+Y(i-1)-Q(i)
i=itl

Fig. 7. Behavioral model algorithm developed in Matlab. Y (n) is the output
voltage, X is the constant input coming from sensing electrodes, Q(n) is the
output of the quantizer for nth input sample, T°Q) is the sampling period, and
Taq, is total sampling time.

where y(n) is the output of summing node (Vout+ and Voui—),
x(n) is the constant input (the output voltage variations which
results in from Igent and Ige,n—), and Q(n) is the output of
the quantizer for nth input sample (Dout4+ and Dgyi—). The
simplified block diagram of the Matlab algorithm which is
developed to describe circuit behavior is shown in Fig. 7. T'Q is
the sampling period (®4 clock pulse) and T, is the final time of
modulator operation (the number of generated bits for an input
is equal to Tsy,/T'Q. According to the input value, different bit
streams will be generated at the output of XA modulator. Based
on this discussion, let us derive the equation for the modulator’s
output using the total charging current X (n)

AV

Assuming the digital value for X (n), is represented by Q(n),
we have

A
Q(n) = KACT‘; = KACV aqfs

Qn) = {KCR(‘)/DDfs

®)

Y(TL - ]-) > V;"eer - V}eff (9)
Y(?’l - 1) S V;ef-i- - V;ef— '

Finally, Y (n) can be described as

Y(n) = Y(n— 1)+ ~& [KACVpof, — Q(n).

Cint (10)

The above equation is used for building up our model. In
order to optimize the performance of the proposed modulator,
we investigate the effect of critical circuit parameters variations
on the performance of the A modulator. These simulations
help to find the relationship between maximum number of gen-
erated codes (resolution) and modulator parameters, including
variations in integrating capacitor (Ciyt), the total sampling



This article has been accepted for inclusion in a future issue of this journal. Content is final as presented, with the exception of pagination.

6
k
10
.  S—_ -
3 A—tr T A
3 .f"’ S <s )
o - ~ :
@ ” ~ 5
¥ Y. %
2 Sk . 3%
g ° / k:
u— / A
3 3
s / --o==Cint b
g od - 0 = Tfin R
2 —— Adac :
cenaxdiens AR s
6k ‘ X

100 75 50 -25 0 25 50 75
Parameter varation (%)

100

Fig. 8. Search for optimal parameter using behavioral model. Cint is integrat-
ing capacitor at CBCM output, Gin is input signal amplification factor (the
gain of CBCM current mirrors), Tfin is the total sampling time that reflects the
number of stored bits and Gdac is the amplification factor of DAC in modula-
tor loop.

time for a fixed comparators clock frequency (7%, ), the gain
of the digital to analog converter (Ggac), and the gain of input
signal (Gin ). Each parameter is varied between —75% to +75%.
In each run, the number of generated codes is calculated using
a Matlab algorithm. The resulting curve showing of parameters
is shown in Fig. 8 and the effect of these variation is elaborated
as follows.

* The total sampling time (Tg,)
As shown in Fig. 8, the resolution of the modulator
strongly depends on the total sampling time. The over-
sampling ratio (N) is calculated as the ratio of total
sampling time to comparators clock (T4,/TQ). As the
simulation time and hence the number of generated bits
for a constant input increases, the resolution will also
increase.

o The input gain (Aiy,)
According to (4) and (5), the analog sensitivity has a linear
relationship with the current mirror gain; as the gain of
the circuit increases, the variation of the output voltage
for a specific charge value will increase. Although the
increase in gain improves the sensitivity, but it decreases
the dynamic range of modulator. For a 75% change in
gain (K = 16) it can be seen that the number of generated
codes decreases. It is due to the fact that for a high value of
the input gain, the input voltage will soon reach to Vpp sat-
uration voltage hence the dynamic range will be limited.

* The DAC gain (Aqac)
Changes in DAC gain do not have significant effect on
the number of generated codes. The only consideration is
that the value of the DAC current that will be subtracted
from the total input current should be larger than the
input current, otherwise the modulator will not operate
properly.

o The integrating capacitor (Ciy,t)
Referring to Fig. 8, as the value of the capacitance de-
creases the number of generated codes increases. This can
be justified using (8). The analog output sensitivity has an
inverse linear relationship with the value of capacitance
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and reducing the value of the capacitor will increase
sensitivity of the circuit and hence the resolution of the
modulator. It should be mentioned that the minimum
value of the capacitor is limited by the total parasitic
capacitances at the output node. After optimizing the
circuit performance using Matlab model, the parameters
are used to re-design the circuit.

After optimization procedure, we performed noise-analyses
on the DC-input modulator to determine the effective number of
bits (ENOB) and resolution. Theoretically, The signal to noise
ratio for an oversampled ADC is obtained by [18]

SNDR = 3.01 —n(2L+1) —9.36L—2.76  (11)

where OSR = 2™ and L is modulator’s order. Using above
formula, the maximum value for SNDR for a Ist order XA
modulator with OSR = 128 is 51 dB which is equal to 8.25 bits
resolution. The post layout simulation results for proposed XA
modulator is shown in Fig. 9. In this figure the modulator is
measured as an standalone block and it is detached from the
CBCM part. A sinusoidal waveform with a very low frequency
of 10 Hz (close to DC value) is used as the input. Fig. 9 shows
the 4096-point FFT spectrum of a 10 Hz input signal with 1 kHz
sampling frequency. The measurement bandwidth is 20 Hz and
the oversampling ratio (OSR) is chosen as 128. The —20 dB/dec
noise shaping can be seen in the FFT spectrum of output
bitstream which confirms the performance of the 1st-order
3 A modulator. The peak SNDR with a —3 dBFS input is
46.2 dB which equals to ENOB of 7.4 bits. To investigate the
effect of input variations on the noise shaping performance, the
measurements are done for two input signals with 0 and 0.5 Hz
frequencies and with amplitudes varying from Vg (full-scale
voltage) to —60 dB below full scale input. The results are
plotted in Fig. 10(a). After validating XA performance as a
standalone block, modulator is connected back to the CBCM
and the SNDR measurements are done with varying the sensing
capacitance’s value as the input signal. The input capacitance
is changed between 1 to 10 aF and the output bit stream was
sampled at 1 kHz for 4096 points. The measured SNDR in this
case is 45 dB which corresponds to the resolution of 7.2 bits.
Considering the Full scale supply voltage, the minimum de-
tectable output voltage variation with 7.2 bits is 22 mV. Since
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Fig. 11. Post-layout simulations: output voltage for sensing capacitance varia-
tions between 0 to 6 fF and 0 to 100 aF.

the sensitivity of CBCM circuitry is designed at 320 mV/{F,
for 10 aF variations, we have 32 mV changes in the output
voltage, which is more than the minimum detectable value by
A modulator. In other words the capacitance variations less
than 10 aF can be detected with the modulator. To validate
the resolution of proposed circuit, post-layout simulations were
performed where the input capacitance is varied between 0
to 6 fF and between O to 100 aF. The analog output coming
from CBCM and digital output of XA modulator are plotted in
Fig. 11. As shown in this figure, the readout circuitry allows the
detection of small capacitance values of as low as 10 aF.

IV. EXPERIMENTAL RESULTS

This section demonstrate and discuses the chip fabrication
and packaging, test setup and results. We show the experimental
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Fig. 12. Test setup and die images. (a) Assembled devices on PCB. (b) SEM
image of interdigitated electrodes, two pairs of interdigitated electrodes are
shown as E1 and E2. (c) Die microphotograph.

results of the fabricated chip and validate its functionality using
three approaches. At the first step, we show the chip characteri-
sation results in response to various organic solvent and then we
expose the chip to different concentration of polystyrene beads
with the same dielectric properties as the living cells. Finally
we show the response of the chip to the adherent H1299 cell
lines.

A. Chip Fabrication and Measurement Setup

The proposed integrated biosensor array is fabricated using
a commercial CMOS process, TSMC (Taiwan Semiconductor
Manufacturing Company, Hsinchu, Taiwan) that has a mini-
mum feature size of 0.35 ym and operates at a nominal power-
supply voltage of 3.3 V. The overall system architecture and
chip photograph are shown in Fig. 12. The 3 x 3 mm? chip
is comprised of a 8 x 8 array of sensing pixels. Each pixel
contains a interdigitated capacitive electrode which is con-
nected to a readout interface via switches controlled by digital
control circuitry. As seen in Fig. 12(a), the chip is packaged and
mounted on a slave PCB and the then it is connected to the main
PCB where control signals are provided and output signals are
recorded through a data acquisition system. There are eight ana-
log outputs from the chip and eight digital outputs coming from
the eight ©A modulators. An FPGA platform is programmed
through Labview FPGA module for data acquisition.

B. Data Acquisition and XA Modulator Decoding

A data acquisition is implemented using a Virtex 5 FPGA
system. To maximise the sampling frequency, three DMA (Di-
rect Memory Access) FIFOs are used. The system allows to
reach a maximum sampling frequency of 450 kHz for analog
signals and 100 kHz for digital signals. The reading from the
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eight sensors in one column is performed simultaneously and
recorded data is interlaced in the FIFOs. Signals are dein-
terlaced from the FIFOs, reconstructed and analysed using a
specially designed standalone program made with LabView
software. The amplitude measurement of each CBCM wave-
form is performed using a standard LabView Virtual Instrument
using maximum and minimum values found in the 1 ms period.
A 3-bit multiplexer is used to retrieve the digital data associated
with eight different sensors in each column.

C. Chip Protection and Bio-Compatible Packaging

To protect the topmost metal layer (Al) from direct exposure
to cells and biological side-effects, a very thin layer of the
PDMS is spin-coated on top of the electrodes. This layer offers
the advantages of biocompatibility, ease of processing, and
chemical inertness. To avoid sensitivity reduction, the PDMS
membrane should be as thin as possible. The final thickness
of PDMS membrane depends mainly on spin coating speed,
spinning duration and the ratio of PDMS parts. To reach the
maximum sensitivity of the sensor, we chose PDMS thickness
of less than 1 um for our application. The two parts of PDMS
are mixed in 10:1 ratio and the mixture is steered by hand for
5 minutes. Thereafter the mixture is placed under the vacuumed
desiccators until all the bubbles are gone and the PDMS mixture
is completely degassed. In the next step we took a very small
droplet of mixture using a micropipette and pour it above the
CMOS chip. Using tapes, the chip was fixed on a Petri-dish as
a container and it was spin-coated at the speed of 3000 rpm for
20 minutes. Finally, the fixture is placed in the oven at 80 °C
to cure the PDMS membrane. The required spinning time and
speed to reach the desired thickness was extracted from the
data provided in [19]. Following PDMS deposition, a bio-
compatible, high temperature epoxy resin (EPOTEK-353) was
used to protect the bonding wires and electrical connections
from biological solutions. A small plastic ring is adhered on top
of the packaged chip, as a micro-well, for containing the cell
culture medium. To test the bio-compatibility of epoxy resin,
a simple test was done where several cell culture dishes were
coated with the epoxy and the cell viability was optically ob-
served for 2 days. The results confirmed the bio-compatibility
of the selected epoxy. It was essential to clean and sterilize the
CMOS chip, before culturing the cells on the electrode surface.
The chips were first washed with Isopropanol (IPA) for 15 min
to dissolve any possible contamination. Thereafter, they were
washed with sterile distilled water and then were exposed to
Ethanol for 15 min. In order to activate the surface of electrodes,
they were treated in plasma cleaner for 3 min followed by 5 min
UV-cleaning for sterilization. Treatment of the electrodes with
plasma helps cells to attach better to the bottom of the wells.
After UV sterilization all the future steps were done under the
biological hood and in sterile condition.

D. Chip Calibration

To validate the calibration circuit performance, we changed
the reference voltage (the input of calibration circuit) from 0
to 2 V and the response of the 64-pixels was measured at
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Fig. 14. Sensor response to organic solvents. (a) The average response of the
64 pixel array to various chemicals including: A: Air, D: Dischlromethane,
I: Isopropanol, M: Methanol, MD: Methanol dilution, DI: Deionized water,
C: Culture media. “Sigma-delta” shows the decoded value of bit-streams
coming from the output of XA modulator and “Analog” refers to the analog
output voltage at integrating capacitor’s node. (b) Sensor response to the
dilutions of Methanol in DI water at different working frequencies (S refers
to the slope of curves).

the end of calibration phase. Fig. 13 shows the calibration
results were the average error in output voltage (which means
the difference between final output voltage and determined
reference voltages) is reported. For the sake of comparison, the



This article has been accepted for inclusion in a future issue of this journal. Content is final as presented, with the exception of pagination.

NABOVATI et al.: TOWARDS HIGH THROUGHPUT CELL GROWTH SCREENING

3 min

3
2.5
2
15
1
0.5
6 0

Voltage (v)

2 4 6 8
Voltage (v) 20 min Voltage (v)
I3 3
2.5 2.5
6
2 2
1.5 15
1 1
I0.5 0.5
0 0
8 2 4 6 8

Fig. 15. Response of the chip to Polystyrene beads diluted in DI water, 1 k beads/ml concentration is shown.

post-layout simulation results and ideal curve are shown in this
plot as well. The measurement confirm that the final average
error for the calibration circuitry is less than 15.1%.

E. Sensor Response to Organic Solutions

To evaluate the response of the sensor to organic solvents,
we introduced polar chemical solvents with different dielectric
constants, namely: Isopropanol, Methanol, DI water and cell
culture media which is an extremely ionic solution. Prior to test,
the sensor was cleaned using DI water and then was dried on a
hot plate to avoid residues remaining from the former tests. The
real-time response of sensor to 200 ul of these solutions at room
temperature is shown in Fig. 14(a). For the sake of compari-
son, the output of analog channels and also the decoded YA
modulator bit streams are shown in the same figure. As seen,
for the higher dielectric constant, the higher output voltage is
achieved at the sensor’s output. Although DI water and culture
media have the same dielectric constants, the culture media is
extremely ionic and that is why there is a noticeable variation
in their responses. To show the capacitive sensor sensitivity,
various dilution rates of Methanol in DI water was prepared
and the real-time response of the sensor at different working
frequencies was measured. The results are shown in Fig. 14(b).
As the frequency increases, the output voltage variations get
smaller and sensitivity decreases, leading to a higher dynamic
range. This means that by having a tunable working frequency,
one would be able to compromise between the sensitivity and
detection range for a particular application and the properties
of the solution that is under the tests. This features makes the
device capable of detecting cells with different concentrations.
The results shown in Fig. 14 prove the functionality of the
proposed device. As expected, for the high dielectric constant
values, the higher output voltage is observed. For this reason, in
Fig. 14(a), using DI water rather than Dichloromethane results
in the higher average output voltage. In the other hand, as seen
in Fig. 14(b), the higher percentage of Methanol, results in a
lower dielectric properties in comparison with the dielectric
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Fig. 16. Response of the chip to Polystyrene beads diluted in DI water, from
10 k beads/ml to 10 beads/ml dilutions are shown.

constant of DI water, and consequently a lower output voltage
is observed.

F. Polystyrene Beads Response

In the next step, we exposed the chip to the various concen-
trations of Polystyrene beads diluted in DI water. Polystyrene
microparticles are negative charge stabilized colloidal particles
with approximately the same electrical properties as living cells
[20]. The average diameter of the beads were 10 ym. Various
samples with different dilution rates were prepared ranging
from 10 beads/ml to 10 k beads/ml and the response of the chip
to each solution was monitored for 20 min. At the beginning of
the experiment, the particles were suspended in the water but
as the time passed by, more number of beads were deposited
on the electrodes which resulted in an increase in the output
voltage of the sensors. The response of the individual pixels to
the 1 k beads/ml concentration is shown in Fig. 15.

The average output of device with 64 pixels using four
different dilutions is shown in Fig. 16. At the end of 20 min
no significant change was further seen and the system reached
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Fig. 17. CMOS chip response to 100 k cells/ml for 12 h.

to an stability. It is worth mentioning that after each step, the
chip surface was thoroughly rinsed with DI water and sodium
dodecyl sulfate surfactant (SDS) to remove the remaining
residues of the beads over electrodes. These residues could
potentially lead to an measurement error. All the experiments
were carried out in the triplicates and the average values are
reported. Fig. 10 shows the functionality of all 64 sensors.
Each color approximately represent the number of beads on
the electrode. This is due to the fact that the higher number
of beads, results in a higher dielectric constant in the proximity
of the sensors. As the beads randomly distribute over the chip,
any set of colors can be expected. This low complexity test not
only show the functionality of the proposed system, but also it
might be used in other applications such as microfluidics and
dynamic studies of the beads in liquids.

G. Cell Culture Results

A human lung carcinoma cell line, namely H1299, was
chosen for the growth monitoring. The cells were first grown
to confluent in RPMI medium. After two days the cell layers
were rinsed with phosphate-buffered saline (PBS) with pH 7.4
(Sigma Aldrich). Then, trypsin-EDTA solution (0.25% trypsin
and 1 mM EDTA; Sigma Aldrich) was used to detach the cells
and RPMI Medium with 10% fetal bovine serum (FBS) was
supplemented to the dispersed cell layer. The cell cultures were
maintained at 37 °C under 5% COs in incubator. Based on the
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Fig. 18. Comparison of the CMOS chip results and alamarBlue results for the
same concentration of the cells.

well size on the CMOS chip, appropriate aliquots of the cell
suspension were diluted to the concentration of 100 kcells/ml.
Then 200 pul of cell suspension in the media was transferred
to the well on top of the CMOS chips. The cell number was
counted using Scepter 2.0 Digital Cell Counter (Milipore).
To avoid contamination, the readout platform and associated
interface circuit was placed under the biological hood during
the measurements. Four CMOS chips were tested and each
CMOS chip was monitored for 24 hours, and the data were
sampled every 2 hour.
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TABLE I

COMPARISON OF THE PROPOSED CAPACITIVE BIOSENSOR ARRAY WITH THE STATE-OF-ART
Ref. Application Method Tech. (um) | No.Electrodes | Sensing layer ADC Resolution
[3] Cell proliferation monitoring | Charge-sharing 0.35 16 Si3N4 No 200mv/fF
[71 Bacteria growth monitoring CBCM 0.18 3 Aluminum Sigma-delta 250 mV/F (6bits)
[20] Cell manipulation Electrophoresis 0.35 32x32 Gold No NA
[21] Neurotransmitter dopamine Capacitance to frequency conversion | 0.35 5x5 Sio2 No 1 ftM
[22] Bacteria detection Capacitance to frequency conversion | 0.25 16x16 Al1203 No 55 mv/fF (37 dB)
This work | Cell growth monitoring CBCM 0.35 64 Aluminum +PDMS | Sigma-delta (8-channel) | 350 mV/fF (46 dB)

Fig. 17 shows the response of the chip to the 100 k cells/ml
dilution over 12 hours. As demonstrated in this figure, in first
4 hours before cell adhesion to the electrodes, there is a small
increase in the value of output voltage. As cells attach to the
electrode, and start spreading over the electrode surface, the
output voltage increases accordingly. Since the partial evapo-
ration of media can affect the measurement accuracy, a loose
cap was used on top of the well which provides gas exchange
between cells and incubator environment and at the same time
protects the media from evaporation. Moreover, due to the high
humidity of incubator, the effect of evaporation is negligible
and can be discounted in the measurements. To validate the
chip results with a standard cell assay, alamarBlue was used.
AlamarBlue is a fluorometric/colorimetric growth assay that
is based on the metabolic activity of the cells. The oxidation-
reduction indicator in the assay fluoresces and changes color in
response to the chemical reduction of growth medium resulting
from cell growth. To measure the cell growth rate using alamar-
Blue, the cells were harvested in the log phase and then diluted
to the desirable concentration (100 k cells/ml). Thereafter,
200 pl of the cell suspensions and 10 ul of alamarBlue were
added to the 96-well plates. The wells were kept in incubator
and the fluorescence was measured by using a spectrophotome-
ter, every 2 h, for 24 hours. The fluorescence measurements
were performed with excitation wavelength at 570 nm and
emission wavelength at 600 nm. The CMOS chip results and
alamarBlue readings are illustrated in a same graph in Fig. 18.
It is seen that after 8 hours the cells in the chip and in the wells
have entered the log (exponential) phase and there is a notice-
able increase in the slope of both curves. The graph shows a
consistency between two results and the chip could successfully
detect two phases (lag and log) in cell growth curve. Comparing
these results with the results of our first prototype, shown in
Fig. 1(c), confirm the success of the new capacitive sensor array
in cell growth detection and cell screening application. As the
continuation of this work, we are working towards the imple-
mentation of a high-throughput microfluidic structure to study
the cells in micro-wells individually. A summary of proposed
capacitive biosensor specifications as well as its comparison
with the state-of-art is provided in Table I.

V. CONCLUSION

In this paper we presented an 8 x 8 capacitive sensor array
for cell growth monitoring. The proposed device consists of
64 interdigitated electrodes fabricated in topmost metal layer
of 0.35 um CMOS technology. Each row of eight electrodes
is connected to a core-CBCM capacitance to voltage converter

incorporated with a DC-input XA modulator. We demonstrated
the device functionality using various organic solvents with
different dielectric constants. Moreover, the response of the
sensing chip to polystyrene beads which have the same dimen-
sion and electrical properties as living cells are shown. Thanks
to the high sensitivity of readout interface, the chip is able to
detect the presence of single beads on the electrodes. Due to the
design simplicity and compactness, the platform can be used as
an efficient tool for cell monitoring purposes. The experimental
results including the cell culture results on each single electrode
of 64-electrodes array demonstrate the applicability of the pro-
posed device for high-throughput screening of cellular activities
suitable for a variety of life science applications such as drug
discovery.
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