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Abstract—Electrochemical sensing of biomolecules eliminates
the need for the bulky and expensive optical instrumentation
required in traditional fluorescence-based sensing assays. Integra-
tion of the sensor interface electrodes and active electrochemical
detection circuitry on a CMOS substrate miniaturizes the sensing
platform, enhancing its portability for use in point-of-care applica-
tions, while enabling the high-throughput, highly parallel analysis
characteristic of traditional microarrays. This paper describes the
design of a four-by-four active sensor array for multiplexed elec-
trochemical biomolecular detection in a standard 0.25- m CMOS
process. Integrated potentiostats, comprised of control amplifiers
and dual-slope analog-to-digital converters, stimulate the electro-
chemical cell and detect the current flowing through the on-chip
gold electrodes at each sensor site that results from biomolecular
reactions occurring on the chip surface. Post-processing steps
needed to fabricate a biologically-compatible surface-electrode
array in CMOS that can withstand operation in a harsh electro-
chemical environment are also described. Experimental results
demonstrating the proper operation of the active CMOS array for
biomolecular detection include cyclic voltammetry of a reversible
redox species, DNA probe density characterization, as well as
quantitative and specific DNA hybridization detection.

Index Terms—Biosensor, cyclic voltammetry, DNA, electro-
chemical sensor, microelectrode, potentiostat.

I. INTRODUCTION

Q UANTITATIVE and specific detection of biomolecules
such as DNA and proteins has numerous applications
in biomedical diagnostics and environmental moni-

toring. DNA sensing, in particular, has broad application in
genotyping, gene-expression studies, mutation detection, phar-
macogenomics, forensics, and related fields in which genetic
content provides crucial insight into biological function or
identity [1], [2].
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High-throughput, multiplexed DNA analysis is usually
performed in a laboratory environment using a “microarray”,
a passive substrate (such as a glass slide) on which thou-
sands of single-stranded DNA (ssDNA) “probe” molecules
arranged in a regular pattern bind to (or “hybridize” with)
fluorophore-labeled “target” molecules in an unknown analyte
solution. Probes can be synthesized externally and then immo-
bilized on the microarray through mechanical contact spotting
or non-contact ink-jet printing [1], or can be constructed
in situ using photolithographic techniques and solid-phase
chemical synthesis [3]. Hybridization occurs when the probe
and target sequences are complementary to each other. Mi-
croarray scanners, employing laser sources and photomultiplier
tubes or charge-coupled device (CCD) cameras that excite
the fluorophores and detect the emitted light, can measure
surface-bound target densities down to cm [4]. How-
ever, fluorescent techniques, in addition to requiring labeled
targets, require bulky and expensive instrumentation, defying
portability for point-of-care applications.

Electrochemical sensing approaches to DNA detection,
which have gained interest in recent years but are not yet as
well-developed as optical techniques [5], rely on detecting
changes occurring with hybridization at the interface between
a metal “working” electrode (WE), functionalized with probe
molecules, and a conductive target analyte solution. Electro-
chemical measurement techniques have the potential to provide
real-time, label-free sensing and more portable detection
platforms [6]. A feedback circuit known as a “potentiostat”
is used to apply a desired potential across the WE interface
and measure the resulting current. If the target molecules
are conjugated with “redox” labels [chemical species which
gain electrons (undergo reduction) or lose electrons (undergo
oxidation) due to an applied potential], probe-target binding
can be detected by measuring changes in the direct (Faradaic)
current flowing across the interface [7]. Alternatively, it may
be possible to perform label-free sensing by measuring only
changes in displacement (non-Faradaic) current at the interface
that occur due to surface-charge fluctuations [8]. Label-free
sensing approaches eliminate numerous steps in target analyte
preparation, reducing time and cost.

Microarray applications based on electrochemical sensing ul-
timately demand parallel detection of hundreds to thousands of
sensing sites. This requires active multiplexing that can only be
achieved through integration of the WEs directly onto an ac-
tive CMOS substrate containing the sensor electronics. Previous
work in CMOS electrochemical sensors include a sensor chip
interfaced to a single off-chip WE as shown in Fig. 1(a), where
all chemical reactions are carried out off chip [9], [10], and ar-
rays of on-chip electronic sensing elements interfaced to indi-
vidual off-chip WEs [11], as displayed in Fig. 1(b). Although
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Fig. 1. CMOS electrochemical-sensor implementations. (a) Sensor chip inter-
faced with one off-chip working electrode (WE). (b) Array of on-chip sensing
elements connected individually to off-chip WEs. (c) Integration of arrays of
sensing elements with on-chip WEs, where all electrochemical reactions are
carried out directly on the chip surface.

CMOS sensors consisting of a single on-chip WE and potentio-
stat have been constructed [12], much of the most recent work
on integrated electrochemical sensors focuses on the integration
of entire WE arrays on the same CMOS substrate as the sensor
electronics [13]–[18], as shown in Fig. 1(c).

Prior work in CMOS-based electrochemical sensing arrays
for biomolecular detection has focused on specific modali-
ties of potentiostatic sensing, such as redox cycling [13] and
capacitance-to-frequency conversion [15], to simplify the
electronics. However, due to the complexity of electrochemical
biomolecular analysis, we believe that general potentiostatic
functionality is best suited to this application. Therefore, in this
work, we design an array of such generalized high-performance
potentiostats with integrated WEs [19]. In addition, because
we are developing one of the first generalized substrates for
electrochemical DNA sensing, protocols for electrochemical
detection are created along with the sensing chip. These enable

our active CMOS array to perform quantitative electrochemical
DNA detection in a manner consistent with fluorescence-based
microarrays.

This paper is organized as follows. Section II provides back-
ground on potentiostat operation and electrochemical sensing.
Section III describes the design of the active CMOS sensor array
and discusses chip processing and packaging issues. Section IV
includes experimental results from electrical characterization
of the array as well as electrochemical results using the active
CMOS sensor array to measure redox species, determine DNA
probe coverages, and perform sensing of DNA probe-target hy-
bridization on chip. In addition, analysis of the effect of various
noise sources on the sensor detection limit is included in this
section. The paper is concluded in Section V.

II. ELECTROCHEMICAL SENSING

This section describes potentiostat operation in detail and dis-
cusses “cyclic voltammetry”, a classical electrochemical mea-
surement technique, as it applies to our electrochemical sensor
array.

A. Potentiostat Operation

A potentiostat is a feedback control system used to apply
a desired potential to an electrochemical cell and to measure
simultaneously the movement of charge through the cell that
accompanies electrochemical reactions occurring at an elec-
trode–electrolyte interface. A standard potentiostat used in a
typical electrochemical setup, shown conceptually in Fig. 2(a),
consists of three electrodes immersed in an electrolyte: a WE at
which the reaction of interest occurs and to which biomolecular
probes can be attached, a “reference” electrode (RE) to hold the
electrolyte at a known potential, and a “counter” electrode (CE).
The voltage between WE and CE is adjusted to establish a
desired cell input voltage between the WE and RE. Direct
current can flow through the external circuit (as measured by
the ammeter ) as redox species in the electrolyte, for example,
donate electrons to the WE and accept electrons from the
CE (through a Faradaic process). In addition, a displacement
current can flow as ions segregate to the WE and CE to form
space-charge regions (through a non-Faradaic process). The
high-impedance voltmeter (VM) attached to the RE ensures
that very low current flows through this interface, helping to
maintain it at equilibrium.

The basic potentiostat circuitry in Fig. 2(a) can be imple-
mented using standard electronic components as shown in
Fig. 2(b). The operational amplifier (opamp) on the right estab-
lishes the control loop while the integrator on the left converts
the current flowing through the WE to a voltage for digitization
and readout. The high input impedance of the control amplifier
ensures that only a very small current flows through the RE.
This circuit can be implemented in a CMOS process and forms
the basis of the integrated sensor array.

B. Cyclic Voltammetry

Different sensing modalities are determined by the nature
of the input voltage applied to the potentiostat. We use cyclic
voltammetry (CV), a low-speed, large-signal technique, to de-
tect redox species, determine surface DNA probe concentration,
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Fig. 2. Description of potentiostat operation. (a) Conceptual diagram. (b) Im-
plementation using electronic components.

and measure DNA probe-target hybridization. In CV, (al-
ways expressed relative to a standard RE potential, denoted here
as ) is set to the initial voltage , ramped up to the vertex
potential at the scan rate , and then ramped down at the same
rate until the final voltage (usually equal to ) is reached,
as shown in Fig. 3, while the current flowing through the WE

is measured simultaneously. When detecting redox species
present in solution, as a function of time appears as shown
in Fig. 3. However, is normally viewed as a function of
so that the potentials at which reduction and oxidation occur (in-
dicated by the forward and reverse current peaks, respectively)
may be easily discerned. These potentials, as well as the value of

at each peak, indicate the degree of reversibility of the elec-
trochemical reaction as well as the amount of chemical product
generated or reactant consumed [20].

III. ACTIVE CMOS SENSOR ARRAY DESIGN

The architecture of the active CMOS sensor array is displayed
in Fig. 4 and the die photograph is shown in Fig. 5. The chip has
been fabricated in a TSMC 2.5-V, five-metal, 0.25- m CMOS
process and measures 5 mm by 3 mm. Each array site consists
of a square gold (Au) WE and a dual-slope analog-to-digital
converter (ADC) with digital control circuitry to digitize the

Fig. 3. Measurement of an electrochemical cell containing a redox species in
solution using CV.

current flowing through the electrode. The WEs in the top row
have a side length of 100 m with WEs in the subsequent rows
having lengths of 90, 80, and 70 m. This variation allows us to
study the effect of electrode area on the cell current for different
redox and biomolecular reactions. Each row of four WEs shares
a 15 m by 2500 m CE driven by a control amplifier. The
components of the active CMOS sensor array, as well as post-
processing and packaging issues, are described below.

A. Electrochemical Cell Model

To simulate system behavior and test potentiostat stability
when the chip is operated in an electrolyte, the small-signal
circuit model of the electrode–electrolyte interfaces in an
electrochemical cell, shown in Fig. 6(a), is used [20]. In this
model, resistors and represent the solution resis-
tance between the WE and RE, and CE and RE, respectively.
Based on impedance measurements of the electrochemical
cell using a CHI 700C-series commercial potentiostat (CH
Instruments, Austin, TX) with a 125- m-diameter Au WE
(ESA Biosciences, Chelmsford, MA), platinum-wire (Pt-wire)
CE (Sigma-Aldrich), and a standard silver/silver-chloride/3-M
sodium-chloride (Ag/AgCl/3-M NaCl) RE (Bioanalytical Sys-
tems, West Lafayette, IN), ranges from approximately
275 in 1-M potassium phosphate buffer (PPB, pH 7.4) to
10 k in 10 mM PPB. Capacitors and model the in-
terfacial “double-layer” capacitance at the WE–electrolyte and
CE–electrolyte interfaces, respectively. The measured value of

is on the order of 1 to 100 cm , depending on the
electrolyte composition and modification of the WE surface.
Resistors and model the charge-transfer resistance
at each interface, with the former having a typical measured
value between 1 M and 10 M . The use of a three-electrode
potentiostat configuration makes the measurement of the WE
interface independent of the RE and CE impedances. However,
knowledge of the , , and values is necessary to
test amplifier stability when designing the active sensor array.

B. Potentiostat Circuits

The potentiostat circuits are designed to provide good noise
performance and stability across a wide range of operating
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Fig. 4. Active CMOS sensor array architecture.

conditions. The control amplifier is implemented with a two-
stage, single-ended-output opamp having a simulated DC gain
of 87 dB. Since CV is usually carried out using low-frequency
input signals, the amplifier contains input pMOS devices having
a width and length of 4 mm and 1 m, respectively, to reduce
the effect of flicker ( ) noise on the output.

Based on electrochemical measurements of redox species and
DNA probe-target hybridization experiments using a commer-
cial potentiostat and a 125- m-diameter WE, it is determined
that the integrated ADCs must be able to digitize currents in the
100 pA to 250 nA range that flow bidirectionally through the WE.
In addition, since the maximum effective frequency of the input
voltage stimulus used in our CV experiments is about 100 Hz,
ADC operation at sampling rates up to 10 kHz is sufficient to
accurately reconstruct the cell current. A dual-slope ADC ar-
chitecture [21], shown in Fig. 7(a), is selected for this purpose
because its dynamic range, sampling frequency, and nominal
resolution can all be easily adjusted. The ADC consists of an
integrating amplifier with a fixed on-chip 5 pF linear capacitor,
track-and-latch comparator, nMOS switches accompanied by
“dummy” transistors to absorb injected charge during switching,
and a digital counter with control logic. Fig. 7(b) displays the

control signals, clocks, and integrator and comparator outputs
for a typical ADC conversion cycle. After the integrator is reset
during the period , current is integrated onto capacitor

for a fixed time interval . During this period, the com-
parator clock , which operates at a higher rate than the ADC
sampling frequency , is gated in order to reduce the effect of
switching interference on the integrator output. After , is
enabled and the integrator output voltage is measured by
the comparator during the period . Based on the comparator
output , the capacitor is discharged using the appropriate
constant current source or (implemented using
a pMOS and nMOS current mirror, respectively, biased with
off-chip resistors) until crosses the comparator threshold
(set to analog ground voltage ), signaling the end of the
time period . A counter, operated on , digitizes the time
intervals and sets the nominal ADC resolution. The value of
can then be calculated from . Auto-zeroing, in which
the integrator offset is sampled prior to digitizing the cell current,
can be performed by setting the signal appropriately. This
procedure implements offset correction, mitigating the effect of

noise on the output, and helps to reduce mismatch among
sensor sites, leading to a decrease in “fixed-pattern” noise.
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Fig. 5. Die photograph of the active CMOS sensor array.

Fig. 6. Small-signal circuit models of (a) the electrode–electrolyte interfaces
present in an electrochemical cell and (b) the WE–electrolyte interface aug-
mented with noise sources.

The integrator opamp has the same architecture as the con-
trol amplifier, with identical input transistor sizes to reduce
noise. To maintain closed-loop stability, this opamp is compen-
sated with a 25 pF metal–insulator–metal (MIM) capacitor
in series with a 150- polysilicon resistor between the first
and second stages. Based on simulations of the electrochem-
ical interface circuit model, in which the component values are
varied around their experimentally measured values, an absolute
minimum simulated phase margin of 45 is obtained. This pro-
cedure also takes into account component process, voltage, and
temperature (PVT) variation as well as the effect of the input

impedances of all other WEs and ADCs in the array during par-
allel operation. In addition, extensive transient simulations are
carried out to ensure stability when large-signal inputs are ap-
plied to the electrochemical cell, as required in CV.

The total bias current required by the integrator opamp is
a relatively large 4 mA. Despite this, a temperature increase
of only 3.5 C is observed when the chip is performing elec-
trochemical measurements with all ADCs running simultane-
ously. In addition, no deleterious effects have been witnessed
during biomolecular-detection experiments due to this temper-
ature increase.

The track-and-latch comparator following the integrator is
verified in simulation to make correct decisions with a up to
at least 50 MHz. Transistors and separate the cross-cou-
pled switching transistors at the output from the drains of input
transistors and to reduce kickback interference. The
latter transistors have a width and length of 200 m and 1 m,
respectively, to reduce offset due to mismatch.

Integrated transconductance amplifiers have been included
to test the operation of the ADCs. Each amplifier contains an
opamp driving the gate of a large nMOS or pMOS transistor
(depending on the desired current direction) with its inverting
input connected to an off-chip 10-M resistor that is connected
to either the supply voltage or ground. The feedback loop en-
sures that the applied voltage at the non-inverting input is es-
tablished across the resistor. Currents up to 150 nA can then be
forced into the ADC using full-rail input voltages.

C. Chip Post-Processing, Packaging, and Experimental Setup

Post-processing of the fabricated chip is necessary to create
an array of Au electrodes on the surface. Au has the advantage
of being relatively electrochemically inactive in the presence
of strong electrolytes and is easily modified by self-assembly
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Fig. 7. Dual-slope ADC connected to each WE in the array. (a) ADC architec-
ture. (b) ADC control signals and outputs during a typical conversion cycle (not
to scale).

of well-ordered monolayers of thiol, sulfide, or disulfide com-
pounds through Au-sulfur bonding [8]. As a result, thiolated
ssDNA probes can be bound strongly to Au surfaces.

At the time of layout, openings in the chip passivation layers
are defined at the desired electrode sites above the top-metal alu-
minum (Al) layer in a manner similar to that used for making
bond pads or probe pads, as shown in Fig. 8(a). Al is an elec-
trochemically-active metal that is easily corroded and must be
replaced as the electrode metal. After chip fabrication, the WEs
are post-processed in a cleanroom environment by first selec-
tively removing the exposed Al metal at the electrode sites using
a wet-etch process as displayed in Fig. 8(b). This is followed by
the electron-beam deposition of 20 nm of titanium (Ti) (which
acts as an adhesion layer) and 300 nm of Au, followed by a
lift-off process to form the final electrodes in Fig. 8(c). These
connect directly to the tungsten (W) vias of the CMOS back end.
Our method of electrode fabrication requires fewer lithographic
steps than the construction of a “stepped” electrode structure
[22], [23] and does not require the implementation of a full

Fig. 8. CMOS post-processing steps used in fabricating the surface electrode
array. (a) Cross section of the CMOS die before post-processing showing top
two Al metal layers at one electrode site. (b) Result of wet etch to remove top
Al metal layer. (c) Final electrode resulting from Ti–Au thin-film deposition.

CMOS back-end process [24]. The CEs are fabricated in a sim-
ilar way as the WEs.

The post-processed chip is set in a BGA package with the
die surface exposed. The bond wires are shielded from elec-
trolyte exposure through encapsulation in a heat-cured, chem-
ical-resistant epoxy. The packaged chip is fastened in a sur-
face-mount PCB socket with a top-plate. A 1-mm-thick poly-
dimethylsiloxane (PDMS) sheet is introduced between the chip
and top-plate to prevent electrolyte leakage onto the PCB. A
glass tube is attached to the top-plate using epoxy to form an
electrolyte reservoir above the chip.

IV. EXPERIMENTAL RESULTS

This section contains measured results from electrical char-
acterization of the active CMOS sensor array, along with results
from electrochemical experiments involving redox species and
DNA detection.

A. Potentiostat Electrical Characterization

Fig. 9 shows the output noise spectrum of the control ampli-
fier over a bandwidth from 10 Hz to 21 kHz when this device
is operated in a unity-gain configuration. The corner frequency
is located around 10 kHz. The measured output noise voltage is
21.2 over the 10 Hz to 21 kHz band when the effect of
60 Hz line interference and other interfering tones are neglected.

Characterization of the dual-slope ADC at each sensor site
is carried out using the on-chip test circuits. To allow sufficient
bandwidth for CV experiments, the ADCs are operated at an

of 2.5 kHz with set to 3.5 MHz. Integration time
is set to 23 s and discharge time is allowed a maximum
value of 315 s, providing a nominal resolution of 10 bits. Al-
though dual-slope ADCs generally feature resolutions of 16 bits
or more, they are operated at very low sampling rates (a few Hz)
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Fig. 9. Output noise spectrum of the control amplifier from 10 Hz to 21 kHz
with interference tones removed.

to avoid use of an impractically high . Because we want to
reduce the amount of on-chip switching interference due to a
fast and use a relatively high sampling rate, we have traded
off resolution to achieve these goals. The remaining time during
each conversion cycle is required to reset and select the ap-
propriate reference current source. The maximum before
integrator saturation using these settings is about 110 nA. Ref-
erence currents and are set to 15 nA and 18 nA,
respectively. Typical DNL and INL values for the ADCs are

LSB and LSB, respectively, with an LSB current
of approximately 240 pA.

Dynamic range (DR) of the ADC is experimentally verified
using a 103 Hz sinusoidal input current. Fig. 10(a) displays the
typical SNR and SNDR of the ADC as a function of input cur-
rent level. The lower end of the DR curve is fitted due to the
inability to provide a sufficiently small ac voltage signal to the
on-chip transconductance amplifiers for ADC testing. The DR
is limited at the high end by integrator saturation. A maximum
effective resolution (ENOB) of 9 bits is achieved and is lim-
ited by the linearity of the test circuits. A DR of greater than 10
bits is achieved from circuit simulations of the dual-slope ADC
alone. Fig. 10(b) shows the result of an 8192-point FFT of the
measured ADC output when a full-scale input is applied. The
strong second harmonic is due to the single-ended architecture
of the ADC.

B. Cyclic Voltammetry of Potassium Ferricyanide

The redox species potassium ferricyanide, Fe CN , is
often used by electrochemists to study interfacial properties due
to its highly reversible behavior. At the appropriate potential,
ferricyanide ions are reduced to ferrocyanide ions in the reaction
Fe CN Fe CN . As a first example of the use of
the active CMOS sensor array for electrochemical sensing, CV
measurements of 2 mM potassium ferricyanide in 1-M PPB (pH
7.4) are carried out. In these experiments, the potential between
all the WEs in the array (held at 1.25 V relative to a 0 V ground)

Fig. 10. Typical experimentally-measured results from ac linearity testing of
the dual-slope ADC. (a) Dynamic range. (b) Output spectrum with a full-scale
input at 103 Hz (resolution bandwidth is 0.31 Hz).

and the RE is scanned from to and back at
various rates while the cell current is observed at one WE. To
extend the potential range of the electrochemical cell beyond
the 2.5 V supply limit, an off-chip, discrete control amplifier
driving a Pt-wire CE and an Ag/AgCl/3-M NaCl RE is used.
Prior to running the electrochemical experiments, the chip is
placed in an ultraviolet/ozone cleaner for 5 min and then rinsed
thoroughly in deionized water to remove organic contaminants
from the surface [25].

Fig. 11(a) shows the cell current at one of the 100 m WEs
when an input scan rate of 72 mV/s is used. A zero-phase, low-
pass FIR filter is used to post-process the raw data in MATLAB.
The location of the forward (reduction) and reverse (oxidation)
current peaks at and , respectively, match
those obtained when the same experiment is run on a commer-
cial potentiostat using a 125- m-diameter Au WE. In addition,
the 80 mV difference in peak potentials is relatively close to the
theoretical value of 59 mV for a fully reversible, single-elec-
tron redox process [20]. The magnitude of the current falls after
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Fig. 11. CV measurements of potassium ferricyanide solution using the CMOS
sensor array. (a) Measured result at a 100 �m WE at a scan rate of 72 mV/s.
(b) Peak current dependence of ferrocyanide reduction on scan rate.

each peak due to mass-transport limitations of the redox species
to the WE surface.

In Fig. 11(b), is increased from 24 mV/s to 480 mV/s
and the peak reduction current is measured. It has been shown
that the peak current at a planar electrode for a reversible
reaction under diffusive control exhibits the relationship

, where is the WE area, and and
are the diffusion coefficient and bulk concentration of the

oxidized species, respectively [20]. Therefore, (measured
after subtracting the charging current background) increases
linearly with , as is observed in Fig. 11(b).

The linear dependence of on WE area is also verified
by running a CV scan at 290 mV/s and observing the current
flowing through the 100, 90, and 80 m WEs. Fig. 12 shows
the results from this measurement. Surface roughness of the
electron-beam-deposited Au layer causes the actual electrode
area to be larger than its geometric (drawn) area by a factor of
about 1.5. This has been accounted for in the measured results.

Fig. 12. Dependence of peak current from ferricyanide reduction on the WE
area.

C. Determination of DNA Probe Surface Density

To demonstrate the use of the active CMOS array for
biomolecular detection, the Au WEs are functionalized with a
monolayer of ssDNA probes. CV measurements are then car-
ried out in the presence of the redox species hexaamineruthe-
nium(III) chloride ( ) to determine probe surface
density. The redox-active counterion associates with
the surface-immobilized DNA, causing the thermodynamics
of the redox processes to be altered as a result. Prior work has
shown that as probe coverage increases, the reduction potential
for the reaction shifts toward more
negative values due to ionic spatial distributions [26]. Once
calibrated, these measurements can be used to determine the
probe surface coverage.

The chip is cleaned as described previously and is then incu-
bated for 30 min in a 1-M solution containing a known
concentration of thiolated, 20-mer, poly-TC DNA probe. Next,
the chip is incubated in 1 mM mercaptopropanol (MCP) so-
lution for 90 min, forming a self-assembled monolayer which
helps to passivate the WE surface and prevent nonspecific inter-
actions between the immobilized DNA and WE [27]. CV at a
of 4 V/s is then carried out in 7 mL of 10 mM Tris buffer (pH
7.4) with 1 .

Fig. 13 shows the results from two different CV experiments
at one 90- m WE for DNA probe coverages of 1 cm
and 4 cm . These probe densities are obtained by in-
cubating the chip in different concentrations of DNA probe so-
lution and are verified using a set of calibration measurements
on a commercial potentiostat with 125- m-diameter Au WE.
The overall shape of the CV curves is different than those ob-
tained in the previous section because, in this case, is
a surface-adsorbed species which is not subject to mass-trans-
port limitations [20].

The forward peaks occur at and for
the lower and higher probe coverages, respectively. This indi-
cates a shift of 17.6 mV toward more negative potentials with
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Fig. 13. DNA probe surface density measurements using ����� .

the higher coverage, confirming previous observations. Parallel
experiments on a commercial potentiostat show similar peak po-
tentials and a closely-matching shift of 15.4 mV. In addition, the
quantity of near the WE increases with higher probe
coverages [26], as is evident in the observed peak-current in-
crease for the 1 cm curve.

D. Detection of DNA Probe-Target Hybridization

Quantitative detection of DNA probe-target hybridiza-
tion is carried out using the active CMOS sensor array.
Single-stranded, 18-mer DNA target molecules are each con-
jugated with a single ferrocene (Fc) redox label that undergoes
the reaction Fc Fc over a well-defined potential range
[28]. When labeled targets are introduced into a system con-
taining surface-bound probes, the number of target molecules
that hybridize is determined by an equilibrium that depends
on such factors as the relative probe and target concentrations,
buffer ionic strength, and temperature [29], [30]. After hy-
bridization, the amount of bound target is measured from the
charge transferred due to the Fc reaction, with one electron
contributed by each probe-target pair on the WE surface. This
value can be determined from CV measurements by integrating
the area enclosed by the Fc redox current after subtraction of
background charging contributions, and then dividing the result
(in Coulombs) by the magnitude of the electronic charge. This
method differs from “intercalation”-based approaches to DNA
detection [17] which do not provide a measure of the amount
of probe-target hybridization on the WE surface.

For the following DNA hybridization detection experiments,
the cell potential is scanned from zero to and back at
a of 60 V/s. Due to the relatively high scan rate required,
of the dual-slope ADCs is increased to 10 kHz with set to
3.5 MHz. The fixed integration and maximum discharge times
are 15 s and 63 s, respectively, with both reference current
sources set to approximately 60 nA. At this setting, the typical
measured SNDR is 43.7 dB at a current a level of 38
(corresponding to a level of ) and the maximum DNL
and INL are LSB and LSB, respectively.

The chip is cleaned, then incubated in a 0.50- solution of
20-mer ssDNA probe that codes for a section of the gene that
causes retinoblastoma (RB1), a form of eye cancer in humans,

Fig. 14. Detection of DNA probe-target hybridization using the CMOS sensor
array. (a) CV results showing baseline current and signal current after Fc-labeled
targets have hybridized with probes at one 100 �m WE in the array. (b) Com-
parison of CV results with fully complementary target and target containing a
SNP.

and is then incubated in MCP. The sensor array is operated in
1-M PPB and the baseline current level at a 100 m WE is first
measured as shown in Fig. 14(a). Hysteresis causes the forward
and reverse charging currents to differ. Based on the average
charging current level, the WE interfacial capacitance is approx-
imately 7 cm , which is in the expected range for a sur-
face-modified Au electrode [26].

A solution of Fc-labeled target DNA, having a sequence of
DNA bases that is fully complementary to that of the probe, is
added to the electrolyte so that the overall target concentration
is 6 nM. After 60 min the signal stabilizes and current peaks
are evident from the Fc-labeled targets that have bound to the
probes, as shown in Fig. 14(a). Based on the area enclosed by the
redox signal and baseline current, the surface density (coverage)
of hybridized targets is 3.03 cm .

In a second experiment, the same procedure as above is fol-
lowed; however, a DNA-target sequence having a single-base
mismatch compared to the probe is used. Sensor specificity
in the presence of these single-nucleotide polymorphisms
(SNPs) is important for genetic testing, in which mutations are
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characterized by single (or few) base-pair changes. Fig. 14(b)
displays the resulting CV curve using the single-mismatch
target sequence along with the curve obtained from the fully
complementary target for comparison. Because the target
containing the SNP has less affinity for the probe, a smaller
fraction of target is hybridized, as can be seen from the reduced
signal level in Fig. 14(b). The target coverage in this case is
1.59 cm .

Sensor detection limit and noise analysis. The minimum
target coverage that can be measured by the CMOS sensor array
is limited by electrochemical noise processes [31], noise from
the integrated electronics, ADC quantization noise, and un-
certainties arising from cross-hybridization due to nonspecific
binding during operation in a multi-target analyte [32]. Since
this last noise source is too complex to consider here, we will
focus on how the remaining three affect the sensor detection
limit.

It can be shown that the maximum current produced
during CV of an electroactive, surface-bound species, like Fc-la-
beled DNA targets, may be expressed using [20]

(1)

where is the number of electrons transferred by the electroac-
tive species (one for the Fc reaction), is the Faraday constant,

is the molar gas constant, is the absolute temperature,
is the WE area, is the target coverage density, and is
Avogadro’s number.

The quantization-noise-free detection limit of the active
CMOS sensor array can be determined by finding the which
produces a signal-to-noise ratio (SNR) of three [33] at the
output of the integrator opamp in Fig. 7(a). The SNR of the
sensor is given by

(2)

The variables in the above expression are as follows. is
the mean square voltage at the integrator output when the signal
current is produced. is the mean square voltage at
the integrator output due to thermal noise currents produced by
resistors in the electrochemical cell noise model in Fig. 6(b)
[14]. Only noise sources associated with the WE–electrolyte
interface are included because of the virtual ground provided by
the potentiostat control loop at the RE. is the mean square
voltage at the integrator output due to shot noise when
flows. Shot noise is known to occur during Faradaic processes
[31] and can be modeled as a current source having a
two-sided power spectral density (PSD) of , where
is the cell Faradaic current, as shown in Fig. 6(b). arises
from noise when the integration capacitor is reset.

represents the thermal noise produced by the appropriate
current mirror transistor [operating in saturation and having
a two-sided PSD of , where is the transistor
transconductance] used to discharge during the period

of the dual-slope conversion cycle. Finally, is the
input-referred thermal noise of the integrator opamp. To sim-
plify the analysis, we have assumed all the above noise sources
are uncorrelated and that the small-signal parameters of the

Fig. 15. Computed quantization-noise-free SNR of active CMOS sensor as a
function of DNA target coverage.

electrochemical cell remain fixed over the input voltage range.
In addition, we have neglected charging currents (which are re-
moved when calculating ), the relatively insignificant switch
on-resistance noise contributions, opamp noise (because
we have optimized for this), and comparator input-referred
noise. We also further simplify the analysis by considering only

, which eliminates the benefits from averaging when the
overall redox current response (like that shown in Fig. 14) is
integrated to obtain the total charge transferred.

The mean square voltage signal is given by
, where is the mean square maximum

redox current. Because the integrator output voltage is not in
steady state, at the end of the integration period is
given by

(3)

where is the two-sided PSD of the total thermal noise
current produced by the electrochemical cell, and is given by
(5) in the Appendix. The shot noise term can be computed
similarly and is expressed using

(4)

in which is the two-sided PSD of the shot noise current
flowing through the WE and is given by (6) in the Appendix. The
mean square noise with two-sided PSD is found as
in (3) and (4), except that is substituted for . The derivation
of (3) and (4) is included in the Appendix.

Fig. 15 shows the resulting sensor SNR evaluated as a func-
tion of . Assuming a 100 m WE, the same CV experimental
conditions and ADC settings described previously in this sec-
tion, that and M (based on measured
values in Section III), and that , we have computed

and , which are
independent of . In addition, stays relatively constant
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as a function of , equalling approximately 23.0 . We
have also found that and exceed the rms sum of ,

, and starting at coverages of about 1.4 cm
and 2.4 cm , respectively, based on this analysis. This
can be observed in the “compression” of the SNR curve in
Fig. 15 which begins to occur at coverages in the cm
range. An SNR of three is obtained when is approximately
1.8 cm , or 18 m . The corresponding at this
SNR is about 25 pA .

Based on DR measurements of the dual-slope ADC with the
present settings, the smallest current level that can be detected
with an SNR of three is approximately 550 pA . Therefore,
the estimated detection limit of our active CMOS sensor array
(implemented using a 10-bit ADC) is about 22 times higher than
the quantization-noise-free limit, and equals approximately
4 cm , or 400 m . As a result, a Nyquist-rate-ADC
resolution of almost 15 bits would be required to operate the
sensor in a thermal- and shot-noise-limited regime. Although
implementation of very-high-resolution converters may help
bridge the gap between the present detection limit and that
provided by fluorescence-based sensing techniques (which
feature detection limits down to 0.1 m ), this presents a sig-
nificant engineering challenge. Therefore, the use of alternative
chemical protocols for label-based detection (such as attaching
multiple redox labels to each target strand [34]) may be a more
feasible solution.

V. CONCLUSION

Active CMOS electrochemical sensor arrays for biomolec-
ular detection eliminate the need for the bulky and expensive
optical equipment used in fluorescence-based microarrays.
Such a reduction in size and complexity paves the way for the
use of electrochemical sensor arrays in point-of-care applica-
tions. This paper presented the design of a four-by-four array
implemented in a standard 0.25- m CMOS process augmented
by post-processing to fabricate integrated electrochemically
compatible electrodes. Integrated potentiostat electronics and
ADCs stimulate and measure electrochemical reactions oc-
curring at the chip surface. Experimental results from CV
measurements of redox species, characterization of DNA probe
coverages, and quantitative and specific detection of DNA
probe-target hybridization demonstrated the bio-diagnostic
prospects of the chip.

APPENDIX

The thermal noise currents and produced by the
resistors and , respectively, in Fig. 6(b), can each be
modeled as a zero-mean, wide-sense stationary (WSS), white
Gaussian noise process with a two-sided PSD of , in
which is the appropriate resistor. The two-sided PSD of the
total thermal noise flowing through the WE interface can
then be expressed as

(5)

assuming that all the noise processes are uncorrelated.

The shot noise produced by redox current in an electrochem-
ical cell can be modeled like the thermal noise process above
and has a two-sided PSD of . The two-sided PSD of the
shot noise flowing through the WE interface is given by

(6)

For a zero-mean, WSS, white noise current process , the
output noise voltage from an integrator with feedback ca-
pacitor starting at time is given by [35]

(7)

The mean square voltage can be found as follows:

(8)

where is the autocorrelation function of the noise process.
If has the two-sided PSD , then ,
given an infinite bandwidth. As a result,

(9)

This results in (3) and (4), where is given by the expressions
in (5) and (6), respectively.
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