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Abstract— High-density biosensor arrays are essential for
many cutting-edge biomedical applications including point-of-
care vaccination screening to detect multiple highly contagious
diseases. Typical electrochemical biosensing techniques are based
on the measurement of sub-pA currents for micrometer-sized
sensors requiring highly sensitive readout circuits. Such circuits
are often too complex to scale down for high-density arrays.
In this paper, a high-density 4,096-pixel electrochemical biosensor
array in 180-nm CMOS is presented. It uses a coulostatic
discharge sensing technique and interdigitated electrode (IDE)
geometry to reduce both the complexity and size of the readout
circuitry. Each biopixel contains an interdigitated microelectrode
with a 13-aA low-leakage readout circuit directly underneath.
Compared to standard planar electrodes, the implemented IDEs
achieve a maximum amplification factor of 10.5× from redox
cycling. The array’s sensor density is comparable to state-of-
the-art arrays, all without augmenting the sensors with complex
post-processing. The detection of anti-Rubella and anti-Mumps
antibodies in human serum is demonstrated.

Index Terms— Biosensor, electrochemical biosensor, high-
density array, interdigitated electrode (IDE), low-leakage switch.

I. INTRODUCTION

NUMEROUS biomedical applications rely on high-density
biosensor arrays, which consist of thousands of indi-

vidually addressable miniature sensors on a single substrate.
One interesting application is the simultaneous detection of
a wide range of humoral antibodies either for checking the
immune system for the presence of antibodies created in the
body post-vaccination, i.e., vaccination screening, or scanning
the complete antibody profile for signs of illness as is the
case in immunosignaturing (IMS) [1]–[3]. For the former,
a single device capable of measuring multiple analytes would
make rapid and comprehensive verification of immunization
possible. For the latter, rather than directly sensing the disease
antigen(s), IMS measures the immune system’s response to the
disease, i.e., the patient’s antibody profile, which is amplified
rapidly by white blood cells to several orders of magnitude
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Fig. 1. (a) Illustration of a high-density array of electrodes functional-
ized with multiple capture probes for detecting biomarkers. (b) Coulostatic
discharge readout technique used to convert a current into a voltage using the
inherent electrochemical capacitance of the sensor.

higher concentration than the antigen itself. This shift in focus
toward monitoring a set of antibodies not only leads to
accurate and early diagnosis, but also allows for the tracking
of disease progression [4]. For example, the antibody profile of
an individual infected with rhinovirus for the first time is vastly
different than the profile during all subsequent infections of the
same virus. This occurs because during the initial infection the
body has yet to determine the appropriate antibody to target
the virus, for which it produces a wide variety of combinations.

To enable these technologies, instead of running several
targeted tests for all the possible antibodies, which would
require impractical amounts of time, reagents, and biological
samples, a single unguided assay can be run. As illustrated
in Fig. 1(a), this single assay can be performed by using an
array of densely packed sensors, which are functionalized to
detect a large set of antibodies in an individual.

Current high-density array technologies use optical detec-
tion (i.e., fluorescent dyes attached to the analyte) thus
requiring complex microarray imaging equipment that is
too bulky and impractical for point-of-care (POC) applica-
tions where measurements are made in remote areas away
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from the resources of centralized labs. While electrochem-
ical detection is known to improve the size and scala-
bility of biosensors [5], most implementations still require
a potentiostat with an extremely sensitive transimpedance
amplifier to measure the minute signals associated with
microelectrodes, and such designs typically only scale to
a ∼100 × 100 μm2 pixel area [6]–[19]. For higher-density
implementations, many potentiostat-based arrays either have
specially fabricated sensors to increase sensitivity (i.e., amplify
the signal) [10], [20]–[22] or implement parts of the measure-
ment circuitry outside of the array to decrease the pixel
size [8], [9]. Nonetheless, neither approach addresses the
fundamental difficulty of measuring small currents with
decreased sensor size.

In this paper, extended from [23], the design and validation
of an integrated high-density biosensor array for vaccina-
tion screening, that also enables POC IMS, is presented. It
leverages an alternative and less-used electrochemical detec-
tion method, coulostatic discharge [23]–[27], to significantly
reduce the complexity and size of the readout circuitry.
Fig. 1(a) shows an illustration of the array functionalized with
different capture proteins to simultaneously detect multiple
disease biomarkers. Each biopixel transduces capture events
into an electrical signal Isig(t), whose magnitude is related
to the biomarker concentration. Unlike chronoamperometry,
where this current is measured directly, the current is used
to discharge the sensor’s innate double-layer capacitance
[Fig. 1(b)], translating the measurement to changes in vout(t).
This technique effectively transforms a miniature current
measurement to a much simpler voltage-over-time measure-
ment. As the sensor’s intrinsic capacitance is on the order of
tens of picofarads and Isig(t) is ∼1 pA/μM, the discharge rate
of vout(t) is on the order of 1 V/s/μM, which greatly relaxes
and simplifies the readout circuitry requirements. Hence, this
technique along with electrochemical amplification from inter-
digitated electrodes (IDEs) allows for all the sensors and
circuitry to be packed densely enough for high-density array
applications using only the features available in a standard
CMOS process.

The remainder of the paper is organized as follows.
Section II describes the coulostatic discharge sensing prin-
ciple, and Section III discusses the design of the biopixel
circuitry. Sections IV and V present characterization and
biological measurement results, respectively. Comparisons are
made in Section VI, and conclusions are drawn in Section VII.

II. SENSING PRINCIPLE

Coulostatic discharge is an electrochemical technique devel-
oped independently by both Reinmuth and Wilson [24] and
Delahay [27] in 1962, which uses the inherent double-layer
capacitance between an electrode and an electrolytic solution
to convert the signal current to a voltage that changes slowly
over time. Specifically, the measurement is performed by
charging up this capacitance to a particular voltage and then
letting it discharge through the electrochemical cell. To use this
method for biomarker detection, the surface of the electrodes
must be coated with capture molecules that give the sensor

Fig. 2. (a) Steps of the antibody detection assay. (i) Immobilization of capture
protein. (ii) Binding of biomarker. (iii) Addition of secondary antibody.
(iv) Detection with substrate. (b) Coulostatic discharge measurement circuit
with equivalent sensor model.

specificity (i.e., the ability to distinguish a specific molecule
from others).

The assay steps used in this paper are as follows: First, each
biopixel is functionalized by immobilizing capture proteins
on the gold-plated sensor using a standard method of drop-
casting an excess amount of proteins to saturate the surface
completely. The sensor’s surface is known as the working
electrode (WE), which is where the biochemical detection
occurs that is subsequently transduced into an electrical signal
[Fig. 2(a-i)]. A single sensor contains two WEs separated by
an insulating material (e.g., oxide in an IC). Each type of
capture protein binds to a specific target antibody due to the
binding affinity of the antibody-antigen complex.

Next, the biological sample is added to the sensors and
incubated so that any antibody biomarkers present in the
sample bind to their specific capture protein [Fig. 2(a-ii)].
After washing to remove any unbound molecules, a secondary
antibody that binds to the bound antibodies is added to the
array, effectively sandwiching the biomarkers [Fig. 2(a-iii)].
This secondary antibody is conjugated with an enzyme, alka-
line phosphatase (ALP), that reacts with a p-aminophenyl
phosphate (pAPP) substrate, thus generating a by-product
redox molecule, p-aminphenyl (pAP), that is detected by the
biopixel [Fig. 2(a-iv)]. Detection occurs when pAP approaches
a WE biased at a specific voltage, known as the oxidation
potential, and reacts to form quinonimine (QI) by transferring
electrons to the WE. QI, in turn, reacts at the second WE
biased at the reduction potential converting back into pAP by
receiving electrons. Thus, this shuttling of electrons creates
a current proportional to the concentration of the biomarker
in the sample. An important distinction to make here is
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that actual full-scale IMS relies on in situ printing a large
number of randomly-generated peptides onto the array of
sensors [2], [28]–[30]. To use this array for IMS technology,
peptides would be used in place of proteins to detect the
antibody profile [31]. The underlying sensing mechanism is
the same for both cases, so successful operation of the protein-
based assay implies that the array can be used for IMS.

The resulting signal would typically be measured directly
using standard amperometric techniques and current-based
readout circuitry (e.g., as is done in a glucometer). However,
in coulostatic discharge, a potential is applied to the electrode
only briefly allowing a build-up of charge on the sensor’s
intrinsic capacitance Cdl. This capacitance, known as double-
layer capacitance, is formed from the layers of ions and
charged molecules that assemble at the interface between the
electrode and ionic solution, and exists between the electrode
and the bulk solution [Fig. 2(b)]. After the source supplying
the potential to the electrode is disconnected, Cdl is discharged
through the electrochemical cell by the current generated due
to the redox reactions, thus slowly decreasing the voltage of
the electrode at a rate related to the biomarker concentration.

As implied by Fig. 2(b), near the beginning of the discharge
phase the sensor behaves as an RC circuit, where the capac-
itance is Cdl and the resistance is determined by the initial
redox current, which is related to the concentration of the
redox molecules. Hence, the discharge rate can be written as

dvout(t)

dt
= Isig(t)

Cdl
(1)

where Isig(t) is the current generated after opening the
switch. In practice, the discharge curve is nonlinear due to
the voltage dependence of both Isig(t) and Cdl. As described
by the Nernst–Planck equation [32], Isig(t) depends on the
concentration gradient of the redox molecules around the
electrode

Isig(t) = nF ADoCox(t)

δ
(2)

where n is the number of electrons transferred per reaction,
F is the Faraday constant, A is the area of the electrode,
Do is the diffusion coefficient of the redox molecule, Cox(t)
is the concentration of the redox molecule at the electrode
surface, and δ is the width of the diffusion layer, which,
for microelectrodes, is simply the distance between electrode
fingers. Also, the Nernst equation links the voltage of an
electrode, i.e., WE1 in Fig. 2, to the concentration of redox
molecules at its surface as follows

VWE(t) = E0 + RT

nF
ln

(
Cox(t)

Cox,lim − Cox(t)

)
(3)

where E0 is the standard potential of the redox species, R
is the universal gas constant, T is the absolute temperature,
and Cox,lim is the total concentration of the oxidant and reduc-
tant at the electrode surface [33]. Furthermore, the capacitance
Cdl is also a function of the electrode voltage. Specifically, Cdl
is given by

Cdl(t) = ε0εr

λD
cosh

(
qVWE

2kT

)
(4)

Fig. 3. (a) Simulated discharge curves, (b) noise circuit model of pixel,
(c) illustration of sampling time tradeoffs, (d) SNR at different sampling times
with various noise sources included at a concentration of 100 nM, and (e) SNR
in a range of concentrations at various τ .

where ε0εr is the dielectric constant, λD is the Debye length,
which is a measure of how far the electric field extends into the
solution, kT/q is the thermal voltage, and VWE is the potential
of the electrode [32]. Note that the presence of Cdl, which is
on the order of 10 pF–1 nF, obviates the need for an explicit
capacitor in each biopixel. This capacitance is also at least one
order of magnitude larger than the capacitance formed by the
metal electrodes alone, so it dominates the sensor capacitance.

Fig. 3(a) shows simulated discharge curves obtained
using (2)–(4) and known redox coefficients. Due to the
nonlinear nature of these curves, the optimum range at which
to sample the voltage signal is not obvious. To examine the
tradeoffs of different sampling times, a noise model of the
biopixel including the buffer and sensor’s equivalent noise
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contributions, ib,n(t) and ie,n(t), is shown in Fig. 3(b), where
the noise only affects the measurement after the switch is open.
As the measurements are taken by subtracting two samples
of the buffer’s output taken at different times (i.e., right
after the switch opens and after a certain amount of time),
thus implementing correlated double sampling (CDS) [34],
the buffer in this model is connected only to the sensor. Also,
charge injection is cancelled by measuring this difference.

As described above, Isig(t) integrates onto Cdl, thus creating
the characteristic discharge curves illustrated in Fig. 3(a).
The sensor’s impedance is modeled as Cdl in parallel with
the charge transfer resistance Rct, which is a measure of how
readily the sensor surface reacts with the redox molecules.
It follows from Fig. 3(b) and the previous discussion that the
voltage noise power can be computed as

σ(τ)2 =
∫ ∞

1/τ

∣∣∣∣ Rct

1 + j2π f Cdl Rct

∣∣∣∣
2

(Se,n ( f ) + Sb,n( f ))d f

(5)

where τ is the time at which the buffer output is measured,
Se,n( f ) and Sb,n( f ) are the one-sided power spectral densities
(PSDs) of the noise current signals of the sensor and buffer,
respectively, and Cdl is assumed to be constant. The noise
contributed by the sensor is highly dependent on several
biological and chemical factors. Measurement results show
that this noise source, which can be modeled as having a
white component and a 1/ f component, is considerably more
dominant than the noise contributed by the buffer, so the buffer
design in this system is constrained practically only by the
biopixel area.

As shown in Fig. 3(c), for large values of τ the signal
component in vout(τ ) increases, but the noise variance
also increases due to both the white and 1/ f components
of Se,n( f ). In contrast, for small values of τ , the signal compo-
nent in vout(τ ) decreases, but the 1/ f noise barely affects
the measurement. Therefore, a range of suitable sampling
times as well as an optimal point that maximizes the signal-
to-noise ratio (SNR) can be found. Using estimated values
for Rct and Cdl, as well as measured noise PSDs for the
buffer and sensor, the noise variance for different values of τ
between 10 ms and 100 s was computed. The computed SNR
for a 100-nM concentration for different scenarios is shown
in Fig. 3(d). As can be seen from Fig. 3(d), the SNR is
maximized at τ ∼= 1.2 s.

Fig. 3(e) shows that the same trend exists across various
concentrations. Depending on the desired resolution, concen-
tration range, and targeted measurement speed, the sampling
time τ , can be reduced. For instance, in applications such as
IMS, where coarse or even binary detection is sufficient, a
smaller sampling time can be chosen to decrease the time
required to scan an entire array. Also, by relating the noise
level back to current using Cdl and the sampling time, a current
of ∼600 fA is expected at τ ∼= 1 s, so the switch should have
a leakage smaller than this value.

Fig. 4. Simplified block diagram of the chip.

III. SYSTEM DESIGN

A. Architecture

Fig. 4 shows a block diagram of the implemented biosensor
array, where VWE1 and VWE2 are the input voltages applied
to the working electrodes WE1 and WE2, respectively, v1,
v2, . . . , v64 are the array outputs, and the readout circuit below
each biopixel comprises a unity-gain buffer and a low-leakage
switch controlled by the digital signals r and re. As each
vi output is shared among the 64 pixels from its respective
column, a 6-bit decoder with outputs d1, d2, . . . , d64 is used to
select the row of the array whose buffer outputs are connected
to the array outputs. Given that all the buffers in a column are
connected to the same output, the higher the biopixel is in the
array, the longer the routing to the output pad is, so the signal
sees a different delay to the output depending on the position
of the biopixel. However, due to the slow-varying nature of the
coulostatic discharge technique, these delays negligibly affect
the measurements and are accounted for in the settling time.
Nonetheless, in larger arrays, where the number of biopixels
might force the use of smaller sampling times, this issue
might need to be addressed. In such cases, this problem could
be circumvented by dividing the array into subsections with
separate outputs, so that the biopixel-to-output-pad paths are
more uniform across the array.

The second working electrode WE2 is shared by all the
pixels within the array, and it is always connected to VWE2.
In contrast, each biopixel has its own WE1, and VWE1 is
applied to this electrode only when the low-leakage switch
is closed. Not shown in the figure are the counter elec-
trode, implemented as a wide gold-plated strip across the
center of the array, and the reference electrode, an external
Ag/AgCl wire. Together, these electrodes, controlled by off-
chip circuitry for flexibility, set the potential of the solution
and provide a common reference voltage for the WEs.

A bias current is generated by a constant-gm reference
located at the corner of the array and an off-chip resistor.
This current is copied to 16 current mirrors at the top of the
array, and each distributes this current down the columns to
16 local bias-voltage generators along the length of the chip.
Each one of these bias-voltage generators (256 in total) biases
the buffers of a 4 × 4 quadrant of biopixels to reduce area
overhead.

To assess the performance of the low-leakage switch, test
pixels were implemented on the right side of the array with a
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dedicated output vtest. Each test pixel is almost identical to a
biopixel, but instead of having an IDE connected to the input
of its buffer, it has a 100 fF, 1 pF, or 10 pF MIM capacitor
with its other terminal connected to ground. Instead of a low-
leakage switch, some of these test pixels have a standard
switch consisting of a PMOS transistor with its body tied to
the supply voltage.

B. Sensor Design

Since IMS arrays of 330,000 pixels have been shown to
be able to diagnose multiple illnesses reliably, the eventual
target number of sensors for a future full-sized electrochemical
IMS array is on the order of 100,000. Therefore, assuming the
array is fabricated using the full reticle size and that 10% is
used for control and output circuitry overhead, the maximum
size for each pixel would be ∼100 × 100 μm2. Specifically,
an area of 42 × 42 μm2 per sensor would allow for an
array of exactly 330,000 pixels. Guided by this analysis, the
electrode geometries were designed using similar pixel areas
and constrained by the minimum width and spacing rules of
the process.

The microelectrode sensors were fabricated using the top
metal layer. Each biopixel consists of two IDEs designed
to amplify the signal using an electrochemical amplification
technique known as redox cycling. Redox cycling is the effect
when a reversible redox pair repeatedly diffuses between two
electrodes biased at different potentials, one at the reduction
potential and the other at the oxidation potential of the
pair, transferring electrons through redox reactions at the two
electrodes. Hence, a single redox molecule can contribute
multiple times to the overall current. The redox current signal
Irc obtainable from a planar IDE is given by the following
empirical equation

Irc = α

(
0.64 log

(
2.6

(
1 + W

G

))
− 0.19

G

W + G

)2

(6)

where W and G are the finger width and the gap between
fingers, respectively, and

α = nN F DoCdlb (7)

where N is the number of fingers and b is length of the
fingers [35]–[38]. It follows from (6) that for a given area,
a smaller gap width and a larger number of fingers provide
higher amplification. As shown in Fig. 5, four different elec-
trode designs were fabricated. Electrodes A.1 and A.2 have
finger and gap widths of 5 and 5 μm, whereas electrodes
B.1 and B.2 have finger and gap widths of 2 and 3 μm. In a
standard phosphate-buffered saline (PBS) buffer solution, the
Cdl of these designs range from 24 to 180 pF. According to (6),
the amplification factors of A.1, A.2, B.1, and B.2 are 2.25×,
5.27×, 4.93×, and 9.41×, respectively. Given that (6) is
strictly applicable to 2-D IDE geometries, the estimated ampli-
fication factors are expected to underestimate the measured
values.

Often, physical channels, trenches, or walls are fabricated
directly on the top of or around the sensor to increase the
cycling efficiency, which is a measure of a sensor’s ability
to keep the same redox molecules shuttling between the two

Fig. 5. SEM images of the different IDE designs. Both the A and B designs
(left and right) have the same finger width and spacing.

Fig. 6. SEM images of (a) chip cross section showing trenches between
fingers and (b) nanowells surrounding each pixel.

electrodes without them diffusing away from the sensing
area [20], [21], [35]. While these structures are all effective
in increasing the amplification, they require complex and
customized post-processing steps, thus making the fabrication
more time consuming and expensive. To avoid these addi-
tional complex post-processing steps while still increasing the
signal amplification, an alternative approach that is CMOS
foundry compatible was taken. Specifically, the passivation
layer directly above each sensor was removed to create 3-D
structures. By waiving design rule check errors meant to
protect the bottom layers of the chip from over etching (the
top metal is often used as an etch stop), structures that
take advantage of the height of the electrodes were created.
Given that the passivation was opened across the entire IDE,
the etchant can carve down the gaps between the fingers.
As shown in Fig. 6(a), this allows for the formation of 3-D
trenches between the two electrodes that increase the collec-
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Fig. 7. (a) Biopixel readout circuit. (b) Ultra-low-leakage switch operation.
The frequency of the reset signals is 1 Hz with reset early leading by 1 μs.

tion efficiency by trapping the redox molecules and further
amplifying the signal. Moreover, as seen in Fig. 6(b), due to
the existence of walls left over by the removal of passivation
between pixels, effective nanowells were created that isolate
the sensors and contain the redox active molecules generated
during the assay.

C. Biopixel Circuitry

The details of the readout circuit beneath each biopixel are
shown in Fig. 7(a). It consists of a low-leakage switch and
a unity-gain buffer. To save circuit area, the buffer is used
both to read out the voltage of the electrode vn,m and to assist
the operation of the switch by driving the body of the right-
most PMOS transistor when the switch is open. PMOS devices
were chosen for the switch to allow for the low-leakage
design to be used in any standard CMOS process where indi-
vidual control of the NMOS body is not possible. The entire
circuitry fits underneath the 45 × 45 μm2 sensor using only
three metal layers for routing and one metal layer for the
electrodes.

The buffer is implemented as a differential amplifier with
a cascoded tail transistor. It has 42.8-dB gain and a 26-kHz
unity-gain bandwidth. Due to both the switch being PMOS
and the voltages used to control the WEs, the input devices of
the buffer were required to be NMOS. To minimize the 1/ f
noise contribution of the buffer, these transistors were made
as large as possible given the limited area available.

The low-leakage switch is driven by the digital signals
reset r and reset-early re. It comprises four PMOS transis-

Fig. 8. Chip photograph.

tors with their bodies tied to VDD, illustrated as switches
in Fig. 7(a), and a body-driven PMOS transistor M1 [20], [39].
To minimize the leakage current through M1 when the working
electrode WE1 is discharging, both the node labeled as x and
the body of M1 are connected to the buffer output, so ideally
the p-n junctions of M1 see no voltage drop and thus have no
leakage current.

The low-leakage switch operation is illustrated in Fig. 7(b).
Three phases of operation are distinguished: (i) reset phase 1,
(ii) reset phase 2, and (iii) release phase. During (i), M1 is
on and the node labeled as y is charged to VWE1. During
(ii), M1 is still on, but its body connection is switched from
VDD to the buffer output. This is done before M1 is turned
off to avoid any charge injection from M1’s channel to node
y. Then, during (iii), M1 is turned off and node y starts
discharging through the electrodes. Given that both the body
of M1 and node x are being driven by the buffer during this
phase, the voltage difference between the source, drain, and
body terminals of M1 are ideally zero, so that the leakage
current is minimized. In practice, the buffer’s offset voltage
causes a small voltage drop across the body of M1 and node
y, but simulation and measurement results suggest that this is
not a problem in practice. For the assay measurement tests, the
frequency of the reset signals is set to 1 Hz with re leading r
by 1 μs. When measuring the output of the buffer during the
release phase, the first and final points are measured at 1 μs
and τ after the switch opens.

IV. CHARACTERIZATION MEASUREMENTS

A 5×5 mm2 chip (Fig. 8) was fabricated in a 1P4M 180-nm
CMOS silicon on insulator (SOI) process. The array contains
64×64 biopixels split into four quadrants, each with a different
IDE design. Each unit biopixel is only 45 × 45 μm2.

A. Electrical Characterization

The entire chip consumes a maximum of 95 mW (23 μW
per biopixel) from a 2.5-V supply. The offset of the
buffer averaged across the entire array was measured to be
1.78 ± 0.16 mV. The input-referred total integrated noise of
the buffer is 33 μVrms (100-kHz bandwidth) with a 1/ f noise
corner of 120 Hz.

To assess the performance of the low-leakage switch,
discharge tests were run using the test pixels. There are two
different types of test pixels: one with a standard PMOS switch
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Fig. 9. (a) Test pixel schematics. (b) Average leakage measurement results
from the test structures with 0.5 V applied across each (left) and the average
leakage of all the test structures at different sensor voltages (n = 3).

and the other, which is identical to the one used in the array,
with a body-driven switch [Fig. 9(a)]. Separate pixels of each
type are attached to known MIM capacitors in place of the
top metal electrodes. For each of these tests, up to 0.5 V was
placed across the two WEs. Just as in a normal discharge test,
the switch opens and charge begins to leak from the capacitor
into the switch causing the voltage measured to decrease over
time. The slope of the measured voltage over time and the
known capacitance size was then used to calculate the leakage
current the test sensor experiences. The body-driven switch
leakage was measured to be 13 aA, which is less than that of
the standard PMOS switch with the body tied to VDD, which
was 195 aA [Fig. 9(b)]. The body-driven switch had better
performance across the entire voltage range.

The results suggest that a standard switch could be used
instead of a low-leakage switch in this application. This is
the case because the array was designed in an SOI process.
However, the biopixel topology is meant to be compatible
with any standard CMOS process, where standard switches
might not perform as well. For instance, in a standard 180 nm
process, according to simulations, the leakage current of a
typical PMOS switch is ∼1.3 pA, whereas that of the low-
leakage switch is ∼4 fA.

B. Sensor Preparation

For electrochemical compatibility, an electroless nickel
immersion gold (ENIG) plating process (MICRO, Stapleton
Technologies Inc.) was used to plate the exposed top metal
aluminum electrodes [7], [12], [40], [41]. After a thorough
cleaning of the surface with acid, akaline, and deoxygenation
cleaners, the entire chip was put through a double zincate
process to prepare the exposed aluminum electrodes for the
subsequent electroless nickel and gold plating steps. The SEM
images of each sensor after plating are shown in Fig. 10(a).
Typically, as with most on-chip electrochemical sensors, it is
desirable to maximize the thickness of both the nickel and
gold layers to achieve reliable adhesion and uniform coverage.

Fig. 10. (a) SEM images of each sensor after gold plating colored to
show texture. (b) Minimum resistance measured between the WEs with
different gold plating times. Inset shows metal particles that can provide a
low resistance path if plated for an extended period.

The combined thickness of these layers is usually around
3 μm. Since the electrodes in this work are interdigitated
instead of a single pad of metal, the spacings and features of
the IDEs are small enough that the plating can create unwanted
shorts between the two WEs. Furthermore, even collections
of small metal particles left over from the plating process can
cause individual IDEs to have much lower resistances. Hence,
different plating times of both the nickel and gold steps were
experimented with and evaluated by measuring the resistance
between the two halves of the IDE [Fig. 10(b)]. A total plating
time of ∼5 min was found to be optimal due to its high
resistance while still maintaining a robust and even coverage
of gold across the array.

C. Electrochemical Characterization

To evaluate the performance of the sensors as well as the
gold plating, a chip with bare gold electrodes was used to
measure the redox molecule Ferro/Ferricyanide as a proxy
for the actual assay. After cleaning the chip by sonicating
in isopropyl alcohol, the chip was mounted in a socket
designed to create a ∼10 μL well over the sensors. External
Ag/AgCl and Pt electrodes were dipped into this well to
form the reference and counter electrodes. Next, coulostatic
discharge was run using the in-pixel circuitry to measure the
sensors in various concentrations of Ferri/Ferricyanide in both
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Fig. 11. (a) Discharge measurements of combined WEs with various
concentrations of Ferro/Ferricyanide. (b) Calculated and measured (n = 60)
amplification factor using coulostatic discharge.

single WE, as seen in Fig. 11(a), and dual WE modes to
compare the same sensor with and without redox cycling.
In single-electrode mode, both sides of the IDE are shorted
together, instead of biased independently, effectively making
them into a single electrode with combined area where no
redox cycling can occur. In dual electrode mode, the IDE
operates as intended with one electrode biased at 200 mV
and the other at 0 mV relative to VCM, allowing for the
shuttling of the redox molecules. Using these measurements,
the amplification factor was determined by calculating the ratio
of the signals between the dual and single electrode modes.
As shown in Fig. 11(b), the average amplification factors for
each design are 5.33 ± 1.2×, 8.1 ± 1.5×, 6.06 ± 2.1×, and
10.5 ± 2.1×, respectively. These values are slightly larger than
the theoretical values due to the 3-D trench and nanowell struc-
tures. IDEs with the same gap and finger widths but greater
number of fingers have higher amplification. Smaller gap size
also increases the redox cycling, as expected. Furthermore,
the large variation in amplification can be explained as either
a result of un-even plating of gold in the trenches or vari-
ability in the formation of the trenches themselves. The latter
seems more likely since the plating procedure is widely used
while the etching between fingers is unconventional and not
guaranteed by the foundry.

V. BIOLOGICAL MEASUREMENT RESULTS

For the biological tests, only a portion of the array that
has the same electrode design, A.2, was used to allow for
a fair comparison between tests. To demonstrate a bioassay,
2 μg (66 pmol) of Rubella virus capsid protein (ab74574,
Abcam) in PBS was dropcast on the surface of the gold sensor
array using 20 μg of Traut’s Reagent (26101, ThermoFischer
Pierce) and blocked with 1% bovine serum albumin (37525,
ThermoFischer Scientific). Mouse anti-Rubella antibodies

Fig. 12. (a) Cyclic voltammograms and discharge curves for a single
electrode compared with a control. (b) Average discharge rate for positive
and negative detection of anti-Rubella antibody (n = 30). (c) Discharge rates
for multi-antibody detection of both anti-Rubella and anti-Mumps antibodies
(n = 8).

(ab34749, Abcam) were subsequently added and incubated
for one hour. For the secondary antibody, 1 μg of rabbit
anti-mouse secondary antibodies linked with ALP (ab6729,
Abcam) was used. Lastly, 6-mM pAPP substrate (sc-281392,
Santa Cruz Biotechnology) in a 0.1-M glycine buffer pH
8.4 was added and allowed to incubate for 10 min. The ALP
enzyme reacts with the pAPP substrate producing pAP,
an electrochemically active molecule that shuttles electrons
between the two fingers of the sensor. Fig. 12(a) shows
measurement results for both cyclic voltammetry, measured
with a 25-mV/s scan rate from −0.2 to 0.3 V for 3 cycles, and
coulostatic discharge. Both successfully detect the presence
of anti-Rubella antibodies. The experiment was then repeated
for anti-Rubella spiked into human serum (HS-20, Omega
Scientific, Inc.). Fig. 12(b) shows the average discharge rates
for serum with and without the antibody.

Next, a multi-biomarker assay meant to simultaneously
detect both anti-Rubella and anti-Mumps (ab9880, Abcam)
antibodies was performed using the array. The same portion
of the array used for the previous Rubella-only test was
split into two, with each part functionalized with either
Rubella or Mumps protein (ab74560, Abcam). Four different
chips were used for this experiment, all functionalized exactly
as described above. Each chip was given a different test sample
of serum spiked with 1.3-μM Rubella antibodies, 2.3-μM
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TABLE I

COMPARISON WITH THE STATE-OF-THE-ART INTEGRATED ELECTROCHEMICAL BIOSENSOR ARRAYS

Fig. 13. Plot comparing the pixel areas and number of devices per pixel of
high-density electrode arrays summarized in Table I.

Mumps antibodies, both, or neither. As seen in Fig. 12(c),
the parts of the array that are exposed to their corresponding
antibody show a higher slope than those that are not. Although
there exists a large chip-to-chip variation, likely due to
disparity in functionalization or test conditions between the
different chips, the array can still distinguish between each
of these different samples to detect the presence of either
biomarker, thereby demonstrating its capability to monitor
vaccinations.

VI. COMPARISON

Table I compares this work to other integrated electrochem-
ical biosensor arrays, and Fig. 13 plots their pixel areas and
number of devices per pixel with different markers to signify
those that have special post-processing and/or have measure-
ment circuitry external to the array. Due to redox cycling,
this work achieves a comparatively small pixel area and high
sensor density (400 pixels/mm2) without any special post-
processing, which others need to increase sensitivity. While
augmenting sensors with additional structures and materials is
effective, it requires complex fabrication steps that are much
more difficult and expensive to produce and scale than an

array built purely with a standard CMOS process. To the best
of our knowledge, this work is the highest density ampero-
metric biosensor array that does not require additional post-
processing steps. Furthermore, coulostatic discharge greatly
decreases the number of devices required in the measurement
circuitry (∼12) allowing for the circuit to reside completely
within the area of a pixel. In fact, the two arrays based on
coulostatic discharge have the lowest number of devices that
fit completely within a pixel. Hence, rather than occupying
a considerable amount of area with circuit blocks external to
the array, this work makes efficient use of the chip area as
illustrated by the total density calculation in Table I.

VII. CONCLUSION

This paper presents a scalable coulostatic discharge-based
high-density biosensor array designed to miniaturize multiple
antibody measurement technology. Using coulostatic discharge
rather than standard amperometry, the measurement circuitry
in each biopixel is simplified to just a low-leakage switch and
output buffer, thereby minimizing the pixel area and increasing
the density of the overall array. Furthermore, by optimizing
on-chip IDE geometries and waiving fabrication design rules
to create 3-D structures, a signal amplification of ∼10× was
achieved without any complex, costly, and time-consuming
post-processing of the sensors. Using this array, Rubella
antibody was detected in human serum and simultaneous
measurement of both Rubella and Mumps antibodies was
possible on the same chip. These tests demonstrate this array’s
promise for use in full-scale IMS technology for rapid and
accurate POC screening and diagnosis.
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