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A CMOS Electrochemical Impedance
Spectroscopy (EIS) Biosensor Array

Arun Manickam, Aaron Chevalier, Mark McDermott, Andrew D. Ellington, and Arjang Hassibi

Abstract—In this paper, we present a fully integrated biosensor
10 10 array in a standard complementary metal–oxide semi-
conducor process, which takes advantage of electrochemical
impedance spectroscopy (EIS). We also show that this system
is able to detect various biological analytes, such as DNA and
proteins, in real time and without the need for molecular labels.
In each pixel of this array, we implement a biocompatible Au
electrode transducer and embedded sensor circuitry which takes
advantage of the coherent detector to measure the impedance
of the associated electrode-electrolyte interface. This chip is ca-
pable of concurrently measuring admittance values as small as
��

�
�

� within the array with the detection dynamic range of
more than 90 dB in the frequency range of 10 Hz-50 MHz.

Index Terms—Biosensor, DNA, electrochemical analysis, elec-
trode, impedance spectroscopy, microarray, proteins.

I. INTRODUCTION

B IOSENSORS are devices that use biological elements to
identify and detect various molecules and biochemical

analytes [1]. The detection methodology of a biosensor is based
on coupling a biological recognition and capturing element
(i.e., capturing a probe molecule), with a transducer and create
a measurable signal (e.g., optical or electrical) when analytes
are captured. The selectivity of the molecular-level capturing
determines the specificity and ultimately the signal-to-noise
ratio (SNR) of the sensing. Biosensors are known to be ver-
satile and are implemented in numerous applications, ranging
from environmental testing and monitoring [2] to molecular
diagnostics [3]. In addition, they can easily be placed in an
array (DNA and protein microarrays [4], [5]) to simultaneously
identify and measure the concentration of thousands of analytes
in the sample.

Although biosensing has a simple concept (i.e., capture and
“count”), the output signals of biosensors typically have low
SNRs [6]. This is due to the fact that the biosensing process
is susceptible to a significant amount of biochemically- and
biologically-originated errors which generally overwhelm the
signal and limit the detection dynamic range (DDR). Today,
there are different approaches which can enhance the DDR
of biosensors. To reduce the effects of interference, for ex-
ample, reporter or label molecules (e.g., fluorescent tags [4] or
nanoscale particles [7]) are used. An alternative approach is to
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use assays and transducers that enable real-time measurements
and take advantage of the kinetics-based estimation that is
less vulnerable to background signals [8], [9]. While these ap-
proaches significantly improve the DDR, they are not “free” and
generally necessitate complicated and bulky instrumentation.
This, in turn, limits the use of most biosensors in point-of-care
(PoC) bioanalysis applications where portability and ease of
use is critical.

Research trend has emerged recently which has the potential
to address certain challenges of biosensors and deliver systems
which not only have high DDR, but also serve as integrated so-
lutions. The general idea is to use standard CMOS integrated
circuits (ICs) as the “backbone” for the biosensor platform. The
reported transduction modalities of these systems have been di-
verse and demonstarted the fact that CMOS can accommodate
visible-range optical [10], electroanalytical [11]–[14], and mag-
netic [15] biosensors. R. Brown et al. provides a good review on
some of the existing integrated chemical sensor platforms [16].
It is imperative to understand that the driver behind using con-
ventional CMOS, as opposed to custom fabrication processes, is
the superior electronic sensing capabilities of CMOS, while of-
fering a high level of integration, cost efficiency, and large-scale
manufacturing.

The goal of this paper is to demonstrate, for the first time,
the design and implementation of a fully integrated impedance-
based CMOS biosensor system. The transduction modality used
in this system [i.e., electrochemical impedance spectroscopy
(EIS)], is widely used in electroanalysis and biosensing [17],
[18]. In EIS, the small impedance changes that occur in an elec-
trode-electrolyte interface that are generated by molecular cap-
turing are detected in real time and then are correlated to the
presence of target analytes. The main advantages of EIS are its
label-free and real-time detection capabilities. Furthermore, EIS
is a noninvasive electroanalytical measurement technique when
compared to techniques such as cyclic voltammetry (CV) as the
potentials applied to the surfaces are very small (typically 10–20
mV amplitude sinousoids). It provides a lot more information
when compared to capacitance or conductivity based measure-
ment techniques. The main drawbacks of EIS however are its
low transduction gain (i.e., very small impedance changes due to
capturing), and the inherent complexity of its instrumentation.
Our challenge in this research has been to leverage the capabil-
ities of IC technology to not only design high dynamic range
impedance detectors for biosensing, but also integrate an array
of them in a single CMOS chip to enable multiplexing. The chip
has an array of on-chip electrodes which serve as electrochem-
ical transducers. Electrode arrays have been routinely used in
biomedical applications such as neural signal recording, cellular
signal monitoring and cell based assays [19]–[23]. They are
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used for applying electrical stimuli to the cells and for recording
action potentials. On-chip electrode arrays with 128 128 elec-
trodes have been demonstrated [20]. In our work, we designed
the system to be an open-platform by making its electrode trans-
ducers compatible with conventional EIS assays.

Initially in Section II of this paper, we introduce the system-
level issues of EIS biosensors, the electroanalytical transducer
design, and the proposed impedance detection methodology. In
Section III, we discuss the IC implantation using a standard
CMOS process, followed by both the electrical and biological
experimental results in Section IV.

II. EIS BIOSENSOR SYSTEM

We have two main objectives in the design of the EIS
biosensor chip. The first is to leverage the capabilities of stan-
dard CMOS processes to create a fully electronic biosensor
system which includes not only the electroanalytical trans-
ducers, but also the detection and interface circuits. The
second is to ensure its compatibility with the state-of-the-art
electroanalytical assays, reagents, biotechnology applications,
and capturing probe immobilization methods. The former
objective, if delivered, guarantees cost-efficiency, large-scale
manufacturability and compactness, while the latter makes it a
viable open-platform system in biotechnology. On top of these,
we designed the transducers and circuits to offer real-time
detection capabilities while maximizing the impedance DDR.
In Sections II-A–C, we explain these in great detail.

A. EIS Electrode Design

The sensing electrodes in EIS may use a variety of capturing
molecules for detection. These molecules come in with different
sizes, molecular weights, and charge densities. For example, a
short 30 base pair (bp) oligonucleotide in DNA-based biosen-
sors can weigh about 9.9 kDa, while an immunoglobin A (IgA)
antibody used in EIS immunoassays weights more than 70 kDa.
[25]. These molecules can also exhibit different levels of hy-
drophobicity and hydrophilicity and hence interact differently
with the molecules on the electrode surface. As a result, it is
critical that one takes all of the physiochemical characteristics
of the probes into consideration when designing EIS systems.
Additionally, it is critical to select a proper material for the con-
ducting electrode and linker molecule between solid electrode
surface and the capturing probe.

It is important to realize that EIS methods are not limited to
bio-molecular detection and they also have been used in cell-
based assays [19], [24] in order to perform real-time studies of
cell growth and death under different ambient conditions. The
only difference is that the electrode fabrication in these appli-
cations requires a large number of post-CMOS steps which in-
crease the cost and complexity of manufacturing.

To demonstrate the feasibility of creating an open-platform
biosensor array using standard CMOS processes, we decided
to target the most widely used electrode which is gold (Au)
[26]–[28]. The main reason for popularity of gold in electroanal-
ysis (and EIS) is that it is not only inert (i.e., does not corrode
with nonzero biases on the interface), but also biocompatible.
For example, one can take advantage of different thiol-based im-

Fig. 1. Passivation openings in standard CMOS structure used as sensing elec-
trodes. The dimensions of the electrode and the spacing between them are shown
in the SEM pictures.

mobilization chemistries to cross-link capturing molecules to it
[27], [28].

The electrodes in our array are created by first forming pas-
sivation openings on the top metal layer of the CMOS process,
as it is done for I/O pads as illustrated in Fig. 1. The exposed
metal surfaces are approximately 40 m 40 and are sep-
arated by 50 m (see Fig. 2). The top metal layer in a standard
CMOS process is predominantly made of aluminum (Al) with
certain impurities [29]. Using the Al surface as an EIS elec-
trode has an inherent disadvantage since Al is not chemically
inert and quickly forms an oxide layer on exposure to air. Un-
like gold (Au) or platinum (Pt), Al also corrodes easily if the
applied bias is greater than 300 mV [30]. To create a universal
Au electrode surface, we used an electroless nickel (Ni) immer-
sion Au (ENIG) plating process [31] to first form Ni and then
Au on the exposed Al surface (see Fig. 2). The rationale behind
changing the surface to Ni first is that Au cannot be plated on
Al surfaces directly and an intermediate layer is necessary. This
method does not require the use of masks since Ni and Au layer
cannot be formed on the passivation layer. The thicknesses of
the Ni and Au layers are selected to be 2 and 200 nm, re-
spectively. At this point, the Au surface can be biofunctionalized
using thiol-based protocols where the sulfur in the thiol group
can form a covalent bond to the Au surface and act as the an-
chor for the different linker molecules. As shown in examples of
Fig. 3, in the case of DNA-base biosensors, the single-stranded
DNA (ssDNA) are thiol modified on one end to directly attach
to the Au electrode [27], where for protein detection assays,
an indirect attachment technique can be adopted using linker
molecules such as 11-Mercaptoundecanoic acid (11-MUA). As
illustrated, such molecules attach from one side to the capturing
protein (e.g., antibody) and from the other side to the Au surface
[32].

B. Impedance Detection

The goal of the detection circuitry in EIS systems is to mea-
sure, in real time, the admittance of the electrode-electrolyte in-
terface, denoted by . In an array format, we need to mea-
sure ’s of all pixels in parallel and independently. To do
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Fig. 2. (a) Top layers of a CMOS process, where using an electroless nickel immersion gold (ENIG) process [23] we create Au sensing electrodes, and (b) SEM
picture of surface before and after the ENIG process.

Fig. 3. Capturing probe immobilization example methods for the Au sensing
electrodes.

this in our biosensor system, we place a large and shared ref-
erence electrode in the solution which is a highly conductive
electrolyte to establish the sinusoidal excitation voltage signal

across all electrodes. Next, we measure the flowing cur-
rent through each electrode, and compute the electrode-
electrolyte admittance of the th pixel, , using the fol-
lowing formula:

(1)

where is the measured current at the th pixel. Since all
signals in this EIS are sinusoidal, to find , we only need to
calculate the relative amplitude and phase shift of com-
pared to . To carry this out, we take advantage of co-
herent detection techniques (also called direct conversion archi-
tecture) to obtain the phase and amplitude information of .
As shown in Fig. 4, we first amplify the current in each
pixel by means of a low-noise transimpedance amplifier (TIA)
with a gain of . The output of TIA is then multiplied by orthog-
onal sinusoidal signals (I and Q) at frequency . Subsequently,
we take advantage of a low-pass filter to remove the higher-order
harmonics that are generated by the mixing operation. The dc
value at output of I and Q channels of the th pixel, denoted by

Fig. 4. Coherent detection architecture for the impedance measurement.

and , respectively, are can be then used to estimate
the amplitude and phase of using

(2)

and

(3)

C. System Architecture

The overall chip architecture is shown in Fig. 5. The system
consists of an array of 10 10 pixels where the column and
row decoders are used to scan the array and access the indi-
vidual outputs of pixels. This approach is similar to the readout
structure of CMOS image sensors [33]. Each pixel within the
array consists of one sensing electrode and one coherent de-
tector which include the low-noise TIA for current amplification
and two mixers (I and Q) for signal multiplication. The role of
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Fig. 5. System architecture.

of Fig. 5 is explained in subsequent sections. The refer-
ence electrode, which establishes within the electrolyte,
is an external component (i.e., not integrated), and is immersed
into the electrolyte solution. The capturing probe of each pixel
can be different and, hence, this particular system can be used
to detect up to 100 different analytes when utilizing all pixels
for biosensing.

The quadrature I and Q signals as well as are generated
within the system using an external reference clock operating
at . We did not integrate the clock generator to maximize
testability, tenability, and ease of characterization. The clock
first goes through a divide-by-4 digital counter to generate the
necessary quadrature (90 phase shifted) I and Q square-wave
signals at . The excitation signal is derived from the I
signal (using a low-pass filter and an amplifier) and, therefore, is
phase-locked to it. The main advantage of this approach is that
by sweeping the clock, we can sweep and measure
without modifying the readout circuit which operates indepen-
dent of at low frequency. Yet, we still need to guarantee that
the TIA and mixers function properly in the desired frequency
range. We will discuss this in detail in Section III.

III. IC IMPLEMENTATION

A. Transimpedance Amplifier (TIA)

The main objective of the low-noise TIA, beside amplifica-
tion, is to keep a low impedance node at the sensing electrode
contact. This is to ensure that remains proportional to

only, and not a function of the TIA input impedance. As
illustrated in Fig. 6, we have selected a common-gate topology
for the TIA using transistors M1-M3. To decrease the input
impedance of the TIA, we also gain-boost M2 by using a dif-
ferential amplifier made of transistors M4-M8. If we consider
the gain of this differential amplifier to be ,
then , the input impedance of the gain-booted TIA becomes

(4)

The TIA of this system is designed so the value of
always remains below 100 for frequencies up to 50 MHz.
These criteria guarantees that for a typical electrode-electrolyte

Fig. 6. Circuit diagram of the transimpedance amplifier (TIA).

Fig. 7. Circuit diagram of the mixer.

interfaces impedance (e.g., ), the error al-
ways remains below 1%. The TIA gain, , in this particular
topology is equal to , which is the input impedance
of the diode connected M3.

The role of the differential amplifier is to not only reduce
, but also set the dc potential of the sensing electrode. This

dc potential is set by applying of an external voltage, , to the
positive input of the differential amplifier. The error voltage is
a function of the loop gain and approximately equal to 0.005
for which is the nominal dc gain of the differen-
tial amplifier. This feature is particularly beneficial in control-
ling Faradaic processes (i.e., oxidation and reduction) that may
occur due to the potential difference between the solution and
the sensing electrodes. The value of in our system can vary
between 0.9 V to 2 V without affecting the functionality of the
TIA, making it possible to measure admittance while applying
dc voltage stimulations on the sensing electrode.

One key consideration in the design of TIA is its noise per-
formance. The leading noise contributors are the current source
M1 and the load transistor M3. In the common-gate structure
M2 acts as a cascade transistor and hence has little effect on the
noise performance. The noise from the differential amplifier is
also negligible here. This is because its output voltage noise has
a small gain (i.e., ), when referred to the TIA
input current. As a result, the input-referred current noise power
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Fig. 8. Circuit diagram of the entire pixel (excluding bias circuits).

spectral density (PSD) of the TIA, denoted by , can
be formulated by

(5)

where is the zero-bias drain source transconductance, and
is a bias dependant noise coefficient of the associated transistors.

In (5), one should also include the 1/f noise contributions of
M1 and M3; yet we neglected these fluctuations and only in-
cluded their thermal noise component. This is due to the fact
that we have a narrow\band coherent “receiver” architecture in
the signal chain. In these architectures, similar to most RF re-
ceivers, and as long as remains above the 1/f noise corner
frequency, the 1/f noise becomes “out-of-band” and, thus, need
not be present at the output of the low-pass filter. The 1/f noise
corner frequency in our system is designed to be 100 kHz, which
is achieved mainly by increasing the lengths of M1 and M3 to 5

m and 1 m, respectively.
The current through the common gate stage in this design

is 50 A. Although this current can be lowered without sig-
nificantly loosing the gain and noise performance of the TIA,
we intentionally kept it high to measure ’s in the order
of 10–20 A with sufficient linearity. The differential amplifier
bias current is also set to 50 A, but this is to achieve a sufficient
gain-bandwidth requirement (i.e., minimum gain of 30 dB at 50
MHz), and ensure .

B. Quadrature Mixers

To multiply by the I and Q quadrature signals, as shown
in Fig. 7, we connect the diode-connected output of the TIA,

, to the input of two double-balanced differential Gilbert
cell mixers. For the sake of clarity, only one of the two identical
mixers is shown. Differential Gilbert cell mixers [34] are widely
used as they greatly reduce the LO leakage to the outputs and
relax the filtering requirements at the output. Also, having dif-
ferential outputs is beneficial for sensor arrays as they are less
prone to interference, IR drops, and other nonidealities. In the
mixers, the transconductance of M9-M10, denoted by , in
the input differential pair is set to be equal to . To minimize

the 1/f noise contributions of the mixers, we also use resistors
instead of implementing active transisitor loads.

Based on this type of configuration, the total transimpedance
gain of the system becomes

(6)

Now since the output of the TIA (positive input of the dif-
ferential mixer) is single ended, we have to generate a stable
dc reference voltage for the other input (negative input of
the differential mixer). As shown in Fig. 8, this is done placing a
replica circuit with an identical structure as the low-noise TIA.
There is only one difference between the TIA structure and the
replica circuit. In the replica circuit, the bias used for the dif-
ferential amplifier is only 5 instead of 50 since it only
needs to operate at dc and, hence, has a relaxed gain-bandwidth
requirement. The overall current consumption of the pixel is
220 (including the bias circuits in each pixel) with a 3.3-V
supply with a total area of 100 100 m.

It is important to realize that the large size of the biosensor
array makes the pixel-to-pixel gain and dc offset variations in-
evitable. This phenomenon is somewhat comparable to the fixed
pattern noise (FPN) in CMOS image sensor arrays [33]. In our
case, offset and gain variations are primarily caused by the mis-
match between the load resistors of the mixers. Gain variation
in this system is measured to be around 0.6 dB over the en-
tire array. Accordingly, one needs to pay careful attention to the
layout and physical dimensions of these devices to ensure ac-
ceptable nonidealities.

C. I and Q Generation

The chip has a built-in divide-by-4 generator which accepts
the reference clock and generates the necessary I and Q
signals that are required for the operation of the mixers. As
illustrated in Fig. 9, we use a self-biased inverter to recover the
ac-coupled clock signal. The self-biased inverter reduces the
sensitivity of the circuit to the amplitude and dc bias point of
the input sinusoid. It also sets the dc bias point at the threshold
voltage of the inverter (approximately to 1.65 V in our design)
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Fig. 9. I/Q generator (the gray blocks are off-chip components).

with a small-signal gain of 3.5. The main disadvantage of
self-biased inverters is their sensitivity to glitches in the power
supply. In order to eliminate this impediment, a Schmitt trigger
buffer [35] is used after the self-bias inverter. This buffer
creates a voltage window of approximately 1 V around the
transition region, making gate insensitive to any glitch within
this window. The output of Schmitt trigger is then buffered and
applied as the clock input (CLK) of two flip flops that serve
as the divide-by-4 circuitry. The rationale behind using this
topology is that we can reliably generate accurate I and Q for
a wide range of frequencies. Our measurements demonstrated
that the achieved phase error is less than 0.2 degrees over the
10 Hz to 50 MHz frequency range. The I signal is subsequently
taken off chip, low pass filtered, and passed through a variable
gain amplifier to create . The typical amplitude for
in this system is between 10–20 mV. It is essential to make sure
that there is a fixed phase offset between and I signals
as any drift in phase during the measurement could lead to
inaccurate phase as well as magnitude measurements. The fixed
phase offset can be calibrated using standard resistors with the
entire setup in place.

In Fig. 10, we show the chip micrograph of the biosensor IC
which was designed and fabricated using a 0.35 m bulk CMOS
process. The total chip size is 2 mm 2 mm, with the biosensor
10 10 array occupying 1 mm 1 of this area.

IV. RESULTS AND DISCUSSION

The IC measurement setup is shown in Fig. 11. The inputs
to the EIS biosensor chip are the external reference clock op-
erating at (from Agilent 33120A) and the digital inputs to
the decoder (from NI PCI 6289). There are two differential out-
puts in this system (i.e., and ), which are first multiplexed,
amplified and filtered using a low noise preamplifier (SRS560).
and later digitized using the NI PCI 6289 acquisition system.
The whole setup is computer controlled by means of a GPIB
port, which also synchronizes the excitation and data collection
signals of the test system.

Fig. 10. Die photograph.

Fig. 11. Measurement setup.

Before calculating the admittance using (2) and (3), we sub-
tract the dc offset of each pixel which is measured prior to exper-
iments and under input open-circuit conditions (i.e., no solution
present). Using this setup and dc offset calibration procedure,
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Fig. 12. Pixel-level input-referred noise power spectral density (PSD).

we are able to perform automated admittance measurements ac-
curately at a large number of frequency points over the entire
array.

A. Admittance Detection Limits

In order to calculate the impedance sensitivity (i.e., minimum
detection level) of the system, we need to consider its noise per-
formance of the pixels. The noise from of the signal path at the
output, prior to low-pass filtering, is measured under input open-
circuit conditions with an excitation frequency of 2.5 MHz. Fig.
12 shows the input-referred current noise PSD, which is essen-
tially the output noise divided by .

Now, to evaluate the current sensitivity of this system, we
need to integrate the current noise PSD over a specific band-
width to find its rms value. As one can see in Fig. 12, this value
is 330 pA rms and 577 pA rms for 10-Hz and 1-kHz band-
widths, respectively. While lowering the cutoff frequency of the
low-pass filter, results in better noise performance, it reduces
the overall measurement speed, and the array scan rate. Consid-
ering that the required settling time for 16-bit accuracy is ap-
proximately , we need about 110 s to perform one full
scan of all the 100 pixels for 10 Hz, while for the case of

1 kHz, this value is 1.1 s. This level of sensitivity is suf-
ficient for most EIS applications since further improvement is
limited by the thermal noise contribution of the electrolyte re-
sistance [36]. In this topology, since we use resistors as the load
of the mixers and relatively large devices (with widths ),
the flicker noise contribution becomes less problematic for ex-
citation frequencies larger than 50 kHz.

The upper limit of impedance detection is set by the linearity
of the signal chain. The linearity is measured here by placing a
10- resistor at the input of the TIA while we vary the ampli-
tude of . The output amplitude is then calculated by
using the measured values of and based on

(7)

In Fig. 13, we show the measured as a function of
. For currents smaller than 20 , the response is linear

with a constant slope equal to 86 dBV/A. As the
current increases, the circuit enters a nonlinear region where the

Fig. 13. Linearity performance of the pixel.

Fig. 14. Admittance measurement limits.

1-dB compression point is approximately 40 A. One inherent
disadvantage of using coherent receivers is that the dc output
generated by the second order nonlinearities directly affects
the measured and at dc. Accordingly, we chose the safe
upper limit of detection to be 25 A, which is based on
backing off sufficiently from the 1-dB compression point.

Now, we can calculate the admittance minimum detection
level (MDL) and highest detection level (HDL) using the mea-
sured noise rms value which sets the MDL and value which
sets the HDL. As plotted in Fig. 14, for , this
system is capable of measuring of 10 nS for
as high as 1 mS. This is approximately 97-dB DDR which is
maintained over a wide range of excitation frequencies from 10
Hz to 50 MHz. To the best of our knowledge, this is the highest
reported DDR ever for an admittance measurement system. The
overall chip performance and its key metrics are listed in Table I.

B. Electrochemical Measurements

For performing EIS experiments, we need to bring the sensing
electrode array in contact with the solution (electrolyte). To do
this without interfering with the electronic data acquisition, we
isolate the conductive solution from the bond-wires, I/O pads,
and the IC package by using an electrically insulating epoxy



386 IEEE TRANSACTIONS ON BIOMEDICAL CIRCUITS AND SYSTEMS, VOL. 4, NO. 6, DECEMBER 2010

Fig. 15. Packaging and electrochemical experimental setup.

Fig. 16. Detection principle of the EIS system. Top half figure shows the charge profile close to the interface and equivalent circuit parameters of an electrode-
electrolyte system. The bottom half shows the changes in impedance of the diffusion layer that occurs with probe-analyte binding, which permits the detection of
the analyte.

TABLE I
MEASURED PERFORMANCES OF THE EIS BIOCHIP

(EPOTEK H70S), as shown in Fig. 15. Subsequently, the ref-
erence 1-mm diameter Au wire electrode is immersed into the
solution carefully on top of the sensing surface.

To correlate the EIS measurements with the physiochemical
aspects of the system, it is essential to understand the equiv-
alent compact circuit model of an electrode-electrolyte inter-
face. The basic compact impedance model for an electrode-elec-
trolyte system [17], [37] is shown in Fig. 16. The charge profile

close to the interface is shown. Close to the interface, we have
a fixed layer of oppositely charged ions, which constitute the
double layer [17]. is the capacitance of the double layer.
Further away from the interface, we have the diffusion layer,
which is where the capturing probe molecules are located. Its
impedance is represented by a combination of and . Fi-
nally, represents the bulk resistance of the electrolyte. Gen-
erally speaking, the bulk resistance of the electrolyte is domi-
nated by the properties of ions in the solution as number of an-
alyte molecules is much lesser than number of ions in the solu-
tion. Now, as the analytes get captured at the surface, the overall
charge distribution and the mobility of the ions at the diffusion
layer change. This, in turn, alters and [17], which can
be detected in real time by monitoring the impedance.

Each additional layer of molecules can be modeled by a par-
allel RC element in series with the other layers. Hence, by prop-
erly choosing equivalent circuit model, EIS can be used to study
into various distances from the electrode-electrolyte interface.

Many models for electrode-electrolyte systems include a
charge transfer resistor , which appears in parallel with
the double layer capacitance . In our case, it is possible
to neglect the contribution of this resistor since thiolated probe
molecules form a densely packed monolayer on gold surface.
These densely packed layers almost completely block charge
transfer and in most cases can be modeled as an ideal capacitor
with negligible leakage [38].
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Fig. 17. Real-time control experiments performed with KCl buffers. Initially, 120 �� of 1-mM KCl is present into which 6 �� of 10 mM and then 6 �� of 100-mM
KCl are added at 450 s (1) and 1500 s (2) from the start of the experiment. The curves inset show the changes in the bulk resistance and interfacial capacitance
with the addition of 6 �� of 100-mM KCl.

In the waveforms of Fig. 17, we show a real-time impedance
measurement example which is performed in KCl buffer. In this
setup, the salt concentration is changed twice during the exper-
iment. Initially 120 of 1 mM KCl is present into which 6

of 10 mM and then 6 of 100 mM KCl are added. The
measurements results are done at 100 kHz and data points
are collected with a rate of . By carefully
studying these results, we can identify the exponential settling
of the admittance values which indicate the relaxation of the in-
terface charge distribution. In this example, , decreases as we
increase the ionic strength (salt concentration) of the solution.
Yet, the surface capacitance increases. This is due to the fact that
there is closer ionic shielding near the interface when the ionic
strength is larger [37]. It is important to recognize that real-time
detection capability in the EIS biosensor system is significant
since few commercially available biosensor platforms offer this
feature. Moreover, we believe this feature to be instrumental in
understanding reaction mechanisms in biosensors while arriving
at better estimates for analyte concentrations.

Though real-time detection enable kinetic analysis, conven-
tional EIS methods still need to evaluate equilibrium values of
admittance. To demonstrate this feature in our chip,, we mea-
sured the admittance spectra of some of the common buffers
used in biology first. The admittance spectra are measured with
zero dc potential difference between the reference electrode and
the sensing electrode. In the Nyquist plots shown in Fig. 18, the
imaginary part of is plotted vs. the real part. As one can
clearly see, the admittance values of different buffers could vary
by five orders of magnitude which are consistent with their com-
puted ionic strength and conductivity. This admittance data is
then fitted into equivalent circuit model by making use of a com-
plex nonlinear least square-fitting tool [39]. The equivalent cir-
cuit parameters are shown in Table II. This specific set of mea-
surements verifies the DDR of our biosensor system and proves

Fig. 18. Admittance spectra of three different biological buffers (1 mM KCl,
100 mM KCl, 4� SSC) measured under equilibrium condition.

TABLE II
EQUIVALENT CIRCUIT PARAMETERS FOR BIOLOGICAL BUFFERS

that it can operate in low-conductance as well as high-conduc-
tance regimes.

C. Biological Measurements

Detecting DNA hybridization is key to all nucleic acid-based
biosensors such as gene expression DNA microarrays. One
of the advantages of EIS based biosensor is that it permits
label-free detection of DNA hybridization. To show this capa-
bility here, we immobilized thiolated ssDNA molecules directly
onto the Au electrode surface as the capturing probe. The probe
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Fig. 19. DNA hybridization experiment. The solid line shows the admittance
spectra of ss-DNA and the dotted line shows the admittance spectra of hy-
bridized ds-DNA.

TABLE III
EQUIVALENT CIRCUIT PARAMETERS FOR DNA HYBRIDIZATION

sequence in this particular experiment is 5’-TGATAGCCCT-
GTACAATGCTGCTAAAAAAA-Thiol-3’. The approximate
probe concentration is 7 per electrode [40]. The admit-
tance spectrum with immobilized probes is measured in 40
of 4xSSC buffer (solid line in Fig. 19). Onto the same buffer,
we add 5 of of complementary ssDNA strand and
the admittance spectra of the system is again measured at
equilibrium (dashed curve in Fig. 19). This concentration is
enough to saturate the whole electrode surfaces. The frequency
range is chosen in such a way that the interfacial impedance
dominates the response. At higher frequencies, the bulk resis-
tance of the solution dominates the response and the effect of
the interfacial impedance cannot be seen. On equivalent circuit
fitting (shown in Table III), we observed that while ,
and remain the same, the value of drops by from 525
pF to 419 pF. This 20% drop in capacitance, has been reported
in literature as well [41] and is due to the lowering of dielectric
permittivity near the surface. The admittance spectra shown are
the average of the response measured at ten different pixel lo-
cations in the array. By linear extrapolation of this result and by
making use of admittance detection limits derived previously,
the limit of detection for our system is around molecules
(6.25 molecules ). This level of sensitivity makes
EIS comparable to other label-free methods of detection that
have been reported [12].

Label-free protein detection has always remained a challenge
since it is difficult to label protein molecules without gener-
ally altering their properties [42]. EIS method is perhaps the
ideal candidate as it can perform label-free detection and can
probe into varying depths from the electrode surface, providing
us with a vast amount of information. In this research, we per-
formed the detection of protein-G molecules which is an im-
munoglobulin-binding protein that can attach to a wide variety

Fig. 20. Protein detection experiment. The solid line shows the admittance
spectra of 11 –MUA and the dotted line shows the admittance spectra of
11-MUA with protein-G immobilized onto it.

TABLE IV
EQUIVALENT CIRCUIT MODEL FOR PROTEIN DETECTION

of antibodies. The protocol for immobilization and detection is
taken from [43]. A layer of 11-MUA molecules is immobilized
on gold surface and the admittance spectrum is measured in 1x
PBS buffer. Then, protein-G is immobilized onto the 11-MUA
layer and once again the admittance spectrum is measured in
1x PBS buffer. As plotted in Fig. 20, the admittance spectrum
exhibits more complex variation when compared with the DNA
hybridization experiment. On equivalent circuit fitting (shown
in Table IV), we observed changes in , , as well as .
As expected, no change was observed in the bulk resistance.
The complicated change in admittance is attributed to the fact
that proteins are large molecules with complex charge distribu-
tion. This is one of the first ever-reported admittance spectra for
on-chip detection of protein attachment. Further studies need to
be performed to better understand the changes in the admittance
spectra. Nevertheless, EIS provides us with tool for observing
the changes that happen near the surface with the attachment of
proteins and can be used to perform label-free protein detection.

V. CONCLUSION

CMOS integrated biosensors are platforms that can leverage
very-large scale integration fabrication technologies to provide
cost-efficiency, portability, and manufacturability for biosensor
platforms. In this paper, we demonstrated that label-free and
real-time EIS biosensing can be carried out using CMOS ICs,
with only one additional postprocessing step (i.e., gold plating).
In this system, we have made use a coherent detector scheme to
measure impedance with superior DDR. Our preliminary mea-
surement results indicate that we can perform label-free detec-
tion of DNA hybridization and protein attachment, which indi-
cates the versatility of our chip and its potential use in a variety
of assays and applications.
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