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bstract

Electronic detection of the binding event between biotinylated bovine serum albumen (BSA) and streptavidin is demonstrated with the chemore-
eptive neuron MOS (C�MOS) device. Differing from the ion-sensitive field-effect transistors (ISFET), C�MOS, with the potential of the extended
oating gate determined by both the sensing and control gates in a neuromorphic style, can provide protein detection without requiring analyte
eference electrodes. In comparison with the microelectrode arrays, measurements are gathered through purely capacitive, non-Faradaic interactions
cross insulating interfaces. By using a (3-glycidoxypropyl)trimethoxysilane (3-GPS) self-assembled monolayer (SAM) as a simple covalent link
or attaching proteins to a silicon dioxide sensing surface, a fully integrated, electrochemical detection platform is realized for protein interactions
hrough monotone large-signal measurements or small-signal impedance spectroscopy. Calibration curves were created to coordinate the sensor

esponse with ellipsometric measurements taken on witness samples. By monitoring the film thickness of streptavidin capture, a sensitivity of
5 ng/cm2 or 2 Å of film thickness was demonstrated. With an improved noise floor the sensor can detect down to 2 ng/(cm2 mV) based on the
alibration curve. AC measurements are shown to significantly reduce long-term sensor drift. Finally, a noise analysis of electrochemical data
ndicates 1/fα behavior with a noise floor beginning at approximately 1 Hz.

2008 Elsevier B.V. All rights reserved.
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. Introduction

Integrated electrochemical sensors for biological detection
old promise as a prompt, inexpensive method for initial on-
ite diagnosis (Drummond et al., 2003; Bakker, 2004), and
an complement more costly and bulky in-lab optical methods
Thevenot et al., 2001; Wilson et al., 2001). The use of com-
lementary metal-oxide-silicon (CMOS) integrated circuits (IC)
nables small, tightly controlled sensors that can be distributed
idely. Principal concerns for field-deployable sensors include

eliability, predictable signal drift, and, for extended use, low-

ower consumption. Long-term reliability results primarily from
mploying robust materials, such as silicon nitride and Teflon for
evice isolation and sensing interface coating (Cane et al., 1996).
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he omnipresent problem of signal drift is often addressed
hrough reference circuitry or by post-processing the data if the
rift is consistent. Low-power consumption has largely not been
ddressed.

Field effect transistor (FET) sensors based on CMOS have
long history of usage in electrochemical detection (Bergveld,
003). Traditionally, the gate metal is removed and sensing is
erformed on the gate oxide or coatings, while a reference elec-
rode such as Ag/AgCl or Pt in the analyte induces the field
ffect at the appropriate operating point. The attachment of ion-
elective membranes across the gate oxide can result in specific
on sensing, commonly called the ion-sensitive field-effect tran-
istor (ISFET). Work has predicted device sensitivity down to
single ion, such as a proton for pH detection (van Hal et al.,
996). Primarily, efforts have focused on DC measurements.

Efforts for ISFET-style devices beyond ion detection have

xpanded to include the interactions of proteins in an ISFET
ontext. Various tethering schemes have been reported in an
mpedance spectroscopy configuration (Katz and Willner, 2003;
adik et al., 2002). Such FET-based devices, though successful,
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iminish the full potential of CMOS integration for microarrays
ince the scaling advantages of CMOS are overshadowed by the
eed for a relatively large, highly stable reference electrode.

Microelectrode array sensors based on IC technology have
lso been exploited for protein or cells through large-signal AC
r impedance spectroscopy measurements. Most use metals such
s gold or platinum that are incompatible with CMOS process-
ng (Radke and Alocilja, 2004; Pei et al., 2001; Saum et al.,
998; DeSilva et al., 1995). Use of aluminum pads by conven-
ional CMOS foundry was investigated (Hassibi and Lee, 2006),
here heating of the sensor interface from localized power dissi-
ation due to charge transfer was observed. Most microelectrode
rrays require some variation on potentiostats to record data.
or example, the conductive microelectrodes can serve as the
uxiliary and working electrodes, while a reference electrode
rovides the stable cell potential.

In this study, we present the first FET-based sensing by a sin-
le AC frequency to detect protein binding in real time without
he use of a reference electrode or gold or platinum interfaces.
limination of the reliance on the reference electrode is achieved
y using an extended floating gate in the chemoreceptive neuron
OS (C�MOS) device (Jacquot et al., 2005, 2006; Shen et al.,

003, 2004). The output current is a function of the floating gate
otential, which maintains the advantages from high transcon-
uctance in the FET. The floating gate potential is determined
y both the sensing gate exposed to the analyte and an internal
ontrol gate which can serve to set the operating point and inject
he AC excitation. The ability to directly detect protein binding
n fluid will be evaluated. Current fabrication of the solid-state
ensor uses only CMOS-compatible materials and displays very
ow signal drift. The results show strong potential for C�MOS
s a protein sensor in microarray integration.

. Materials and methods

.1. Device design

The C�MOS structure reduces the invasiveness of detection
hile allowing full integration of sensor and supporting circuits

hrough commercial fabrication with minimal post-processing.
he inclusion of several sensing and control gates coupled to
single floating gate creates a neuron-like effect, analogous to

everal weighted inputs connected to a single node (Shibata and
hmi, 1992; Minch et al., 1996). AC or DC biasing is delivered

hrough the control gate, and, although not strictly necessary, the
uid bulk potential can be further stabilized by fringing fields
r by integrated electrodes. Later work has provided additional
heoretical analysis on a similar system (Barbaro et al., 2006).

The C�MOS device was fabricated through the AMIS 1.5 �m
MOS process (MOSIS). Tests presented in this paper were
erformed on devices containing a single sensing gate (SG) that
ad a native SiO2 over the second polysilicon layer. Sensing gate
imensions ranged from 23 �m × 360 �m to 157 �m × 360 �m.

he FET can be biased from the control gate (CG) independently
f the sensing interface conditions, which is a marked improve-
ent over conventional ISFET-style sensing where the device
ust be held in the saturation region via a fluid bulk potential.
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.2. Sensing gate preparation

To remove organic and surface contaminants, the C�MOS
evices and witness samples were first cleaned by rinsing
ith acetone followed by methanol, isopropanol, and de-

onized water to avoid an undesired film from acetone. Next,
he substrates were treated in a UV/ozone cleaning system
Bioforce Nanoscience) for 15 min. The substrate was then
ilanized by immersion in a mixture of 16.7% (v/v) (3-
lycidoxypropyl)trimethoxysilane (3-GPS) (Acros Organics) in
oluene (anhydrous 99.8%, Acros) for 1 h, followed by rinsing
wice in toluene for 2 min at 45 rpm, drying with nitrogen, and
aking at 120 ◦C for 1 hr to complete the hydrolysis reaction
f the self-assembled monolayer (SAM). After baking, sam-
les were stored in a nitrogen-purged dry box before protein
pplication to avoid water reaching the surface.

Protein attachment was performed directly on silicon dioxide
reated with 3-GPS. This attachment scheme provides substan-
ial simplicity over (3-aminopropyl)triethoxysilane (APTS) and
old-thiol tethering techniques. Following preparation of the 3-
PS film, 0.2 mg/mL biotinylated bovine serum albumen (BSA)

Sigma) in 1× phosphate buffered saline (PBS) with pH 7.4 was
pplied to the sensors and witness samples for 2 h in a humid-
ty chamber. After BSA was covalently bound to the 3-GPS,
he devices were rinsed twice with 1× PBS for 2 min at 45 rpm
o remove non-bound proteins, dipped in DI water to remove
xcess salt, dried with N2, and then stored in 4 ◦C until use.

Before application of the target analyte, 40 �L of 0.1× PBS
ith pH 7.4 was applied to both sensor and witness samples
y pipette. Sufficient time was allowed to stabilize the sensor
eadout. PBS applied at this step had 20% (v/v) glycerol added to
educe noise from convective fluid flow. Streptavidin was used as
he target analyte (Pierce, Rockford, IL). 10 �L of streptavidin,
n 0.02 mg/mL in 0.1× PBS, was added to sensor and witness
amples. The measurement surroundings were made to closely
esemble a humidity chamber to avoid fluid motion by surface
vaporation.

Other protein capture systems were also characterized,
ncluding goat anti-mouse IgG (Pierce, Rockford, IL) as cap-
ure protein and mouse anti-rabbit IgG (Pierce, Rockford, IL) as
arget analyte with the BSA or tris blocking layer against non-
pecific binding. Film variation for this system was larger than
he BSA/streptavidin system due to the smaller binding constant.
or proof of concept, the more stable system was thus selected
or the following presentation.

.3. Ellipsometry thickness calibration

Film quality was assessed by measuring through ellipsom-
try the film thickness of each layer on witness silicon wafers
t each step of the covalent attachment procedure. These mea-
urements established the baseline properties of the films before
nd after measurements. An imaging ellipsometer (Nanofilm

urface Analysis) was employed with a 3-incident angle mea-
urement at 69◦, 70◦, and 71◦ at a wavelength of 630.2 nm. A
east-mean-square (LMS) fit for the data was used to estimate
lm thickness.
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The surface concentration, Γ (ng/cm2) and hence surface
overage of the organosilane and protein films are related to the
efractive index and thickness (Cuypers et al., 1983) by

(ng/cm2) = d ρo = d
Mw

A

n2 − 1

n2 + 2
(1)

Here, d is the thickness of the film, ρo the bulk density, Mw
he molecular weight of the organosilane or protein (g/mol), A
he molar refractivity of the material (cm3/mol), and n is the
ndex of refraction.

For protein, Mw/A = 4.12 g/cm3 (Vogel et al., 1953) and the
ndex of refraction was estimated from atoms or atom groups
Arwin, 1986) and found to be 1.542. For the organosilane, the
ndex was taken as n = 1.44.

By estimating the molecular footprint or cross-sectional area,
.25 nm2 for the organosilane (Stevens, 1999) and 24.6 nm2 for
treptavidin calculated from 2.8 nm radius, the surface coverage
%) can be computed. For organosilane, ρo was assumed as
.07 g/cm3 and Mw = 236.34 g/mol. Na is Avogadro’s number:

urface coverage (%) = ΓNa

Mw
× molecular footprint (2)

.4. Fluid delivery considerations

For fluid application during sensing, the sensor chip was
laced in a plastic Petri dish and a 4-piece polydimethylsiloxane
PDMS) reservoir subsequently assembled on its surface to iso-
ate sensing interface from electrical contact pads. Petri dish and
DMS pieces were cleaned with methanol, IPA, and DI water
ollowed by N2 dry (Fig. 1). The hydrophobic plastic surface
ffectively curbed wetting and served to eliminate leaks from
he PDMS reservoir. The 4-piece reservoir proved robust and
asy to assemble. It held up to 80 �L of fluid.

Low-frequency noise was present in the system and we

ttempted to reduce it by varying the PBS concentration and
iscosity with the hypotheses that parasitic capacitive coupling
nd convective motion of contaminants may be culprits. 0.1×
BS appeared to give less noise than 1× PBS and was cho-

ig. 1. Sensor chip with 4-piece PDMS reservoir assembled on surface. Chip
nd reservoir sit in hydrophobic Petri dish that limits leakage under chip and
eservoir due to wetting.
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en for further testing. 0.01× and lower concentrations of PBS
ost significant buffering capacity, which is necessary to make a
table, non-Faradaic electrochemical measurement (van Hal et
l., 1996). Glycerol was introduced to reduce the effect of con-
ection. With experimental verification, a 20% (v/v) mixture
f glycerol to PBS gave the lowest noise and was chosen for
ubsequent tests. Though 20% (v/v) was used, viscosity is only
ncreased by about 32% over pure water (Shankar and Kumar,
994). Glycerol was not used for witness samples, since a small
esidue was found to interfere with ellipsometry measurements.

.5. Sensor models

The interaction of a functionalized SG surface with analyte in
�MOS can be approximated by an impedance model (Fig. 2a).
he FG potential and the drain current will be affected as cap-

ured protein thickness grows, as seen in a small-signal model
Fig. 2b). Variables include dielectric constant (εr), capacitance
f the native oxide layer (Coxide), capacitance of the organosilane
ayer (C3-GPS), capacitance of the BSA (CBSA), and capacitance
f the streptavidin layer (Cstrep). To describe the fluid inter-
ace a Gouy–Chapman stern (GCS) model is used (Bard and
aulkner, 2004). CEDL is the double layer capacitance, and Cdiff

s the diffusive capacitance of the GCS model. The small-signal
evice model consists of CG, drain (D), source (S), transconduc-
ance (gm), output resistance (ro), control gate capacitance (Ccg),
ensing gate capacitance (Csg) from interpoly-oxide, parasitic
apacitance between floating gate and bulk (Cb), and floating
ate potential relative to the source (vfgs).

Many capacitive biosensor interface models include GCS
omponents, though often they have minimal impact on cal-
ulation due to their large capacitance (Berggren et al., 2001).
escriptions of the interface/protein/fluid bulk system vary since

he model best fitting the data with fewest parameters may not
ully represent known physical phenomena (Berggren et al.,
001). Efforts have modeled protein deposition as a simple
apacitor with varying thickness (Gebbert et al., 1992; Bergveld,
991). Sensing across high-resistance oxide negates the need for
resistive component at the interface. Solution impedance is low
nd capacitance is high compared to other parts of the model so
CS layers can be dropped from the equivalent circuit without

ubstantial loss of accuracy (Katz and Willner, 2003). By using
biological buffer fluid with a pH around the isoelectric point of

he protein, the net protein charge is negligible, which makes sen-
or perturbation during capture depend only on impedance. For
mall-signal changes, modeling the protein membrane as strictly
apacitance leads to reasonable results. For instance, an effort
or real-time monitoring at 1 kHz for antigen–antibody binding
cross an oxide interface neglected resistive components of the
rotein membrane (Gebbert et al., 1992).

Equations for total FG capacitance (CT), FG potential (Vfg),
nd large-signal saturation drain current (Id) can be given as
CT ∼= Cb + Ccg + Csg||Cox||C3-GPS||CBSA||Cstrep

||CEDL||Cdiff (3)
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ig. 2. (a) Impedance model of the sensor interface. (b) Small-signal model f
esponse against protein thickness variation with 5 V large-signal bias on both C
apacitance listed in (a). (d) Simulated large-signal response in the saturation re
ith zero DC offset.

fg ∼= Q + Vcg Ccg

CT
(4)

d = κn

2
(Vfg − Vt)

2 (5)

Here, Q is the static charge on the floating gate, κn the
ransconductance parameter, and Vt is the threshold voltage.

The FET operation points can also be set by a large-signal
inusoidal bias on CG whose period is much shorter than the
xpected protein growth time. From a large-signal model, the
rain current is a quadratic function of the FG potential when
he DC bias is set in the above-threshold saturation operation.

omputed responses from both the small-signal model (Fig. 2c)
nd large-signal model (Fig. 2d) can be seen, with Fig. 2d
ppearing linear due to the small range of protein thickness
resented.

R
i
a

MOS device in saturation. Source is tied to bulk. (c) Simulated small-signal
drain, and 0.1 V small signal on CG. Model assumes typical values for sensor

gainst protein thickness variation with 10 V peak-to-peak sinusoidal waveform

The bulk potential is assumed to be zero, since it con-
ects to ground through fringing fields. As analyte capture
ccurs, effective thickness and area coverage percentage of
he streptavidin layer increase, affecting total floating gate
otential by the change in capacitance of the protein layer
hrough CT in Eq. (4). Notice that the capture may not happen
omogeneously on the sensing surface. By proper geometrical
esign in C�MOS, the capacitance viewing from SG dominates
he capacitive network to maximize sensitivity of the analyte
ctivity.

.6. Measurement setup and large-signal data extraction
A 10 Vpp AC voltage from a function generator (Stanford
esearch DS345) was provided to CG input and to the reference

nput of a lock-in amplifier (Stanford Research 830) with Drain
nd Source terminals biased at 5 and 0 V, respectively (Fig. 3).
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Fig. 3. C�MOS sensor in measurement circuit. AC signal is delivered to control
g
i
b

T
i
v
u
a
i
t
(
3
t
w
a
s
b

a
t
s
s
m

C

(
G
f
p
l
l
C
f
I
w
I
c
c
p
a
m

a
d
a
v

2

p
c
f
C
o
r
o

3

e
c
6
e
a
b
s

a
depending on the bulk concentration and available binding sites
on the surface. The result can be used to infer protein concen-
tration. Irreversible binding of streptavidin and biotin allows for
very accurate ellipsometric measurements to create an accurate
ate, creating an alternating field that both probes the sensor interface and creates
nversion in FET. Drain current is converted to voltage by the TIA and monitored
y the lock-in amplifier.

he AC signal both probes the sensing interface and creates
nversion in the FET when the FG potential exceeds the threshold
oltage. Phase calibration for a given measurement results from
sing the switches and allows measurements to calibrate phase
t each frequency point, thus preserving phase data to enhance
nformation extraction. The output drain current is transduced
o a voltage and fed to both the lock-in amplifier at 100 �A/V
Stanford Research SR570) and oscilloscope (Tektronix TDS
40 A) for analysis. In this paper, we analyze the data from
he lock-in amplifier, using oscilloscope images to monitor total
aveform integrity. The CG sinusoid creates an AC field on FG

nd in turn on SG. The SG field probes the protein layers and the
urrounding fluid up to the Debye length, which is about 25 Å
y the PBS concentration.

The C�MOS and sensor interface models were calibrated
gainst pre-capture conditions and then the effective analyte
hickness was extracted after the capture event. For the sen-
or interface model, ellipsometer-measured thickness on witness
amples was used to estimate the capacitance by a parallel plate
odel:

= εo εr A

d
(6)

Here, εo is the vacuum permittivity and A is the surface area
cm2). εr was assumed as 4.5, 11.8, 10, and >78 for SiO2, 3-
PS, protein, and water, respectively. The precise values of εr

or the layers do not matter much since the model is calibrated
rior to thickness extraction. As mentioned, the GCS capacitive
ayers have large values and are dropped without substantial
oss of accuracy. With these capacitances as well as Cb and

cg, all capacitances can be known. With κn and Vt obtained
rom the foundry technology file, the large-signal equation for
d in Eq. (5) can be expressed as a variable of Vfg in Eq. (4)
hich depends on Q. For model calibration, The RMS value of

d was matched between the C�MOS model and measured pre-
apture conditions by adjusting Q. After calibration, Q was held

onstant and Vfg was allowed to affect Id by varying captured
rotein thickness d in Eqs. (3) and (6). After protein capture,
final protein thickness was determined such that the C�MOS
odel matched the measured RMS value of drain current.
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Sensing shown in this paper involves measurements over time
t a single frequency (20 kHz). The simple capacitor divider
oes not have frequency dependence. As will be shown, the
ssumption of a purely capacitive layer worked well for small
ariations of protein thickness.

.7. Sensor re-use

In order to re-use sensors after protein detection, a 2-stage
lasma etch was applied. In a reactive-ion-etch (RIE) tool, the
hips were first exposed to a 30 sccm O2, 60 mTorr, 150 W etch
or 1 min to remove all top organic matter, followed by a 50 sccm
HF3, 5 sccm O2, 40 mTorr, 200 W etch to remove the Si portion
f 3-GPS, SiO2, and organic matter. This combination of etches
esulted in a slightly thicker native oxide (∼30 Å) than is found
n fresh wafers exposed to HF dip (∼20 Å).

. Results

Fig. 4 shows real-time RMS response to a protein capture
vents and control test measured at 20 kHz. The capture event
orresponds to analyte thickness change of 18.6 Å or roughly
9% surface coverage and 3.0 Å or roughly 11% surface cov-
rage. The capture event shows a clear rise in signal after the
nalyte is added. The signal saturates as available surface sites
ecome occupied. The control test shows no net change after a
ame-size drop of PBS is added.

An interface device cannot sample the entire bulk solution
nd instead only captures a small fraction of the solution bulk,
ig. 4. Real-time detection of roughly 18.6 Å (or roughly 69% surface coverage)
nd 3.0 Å (roughly 11% surface coverage) of streptavidin binding to biotinylated
SA and control test in electrolytic fluid at 20 kHz CG signals. Median-filtered
nd real-time data are presented.
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Fig. 5. Calibration curves constructed from 20 kHz sensor monitoring over sev-
eral samples. (a) Sensor response versus protein mass absorbed on sensor surface
calculated from thickness measured by ellipsometer. Data is fitted with quadratic
function to account for large-signal contribution to sensor response. (b) Detected
thickness extracted from large-signal sensor model versus analyte thickness
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easured by ellipsometer on witness samples. Protein thickness measured by
llipsometer can be converted to surface coverage, here ranging from 11% to
9%. The fit for measured data yields a slope of 0.99 and an intercept of 0.16 Å.

alibration curve for mass bound to the surface. Several sensor
esponses to protein binding as measured against control sam-
les can be used to construct the calibration curves in Fig. 5.
esults are shown after available binding sites have been satu-

ated and contain no time information. Fig. 5a shows raw and
tted data with sensor response plotted against mass of absorbed
rotein on sensor surface calculated with ellipsometer-measured
hickness. A quadratic fit was used to account for the effect
apacitance change has on the large-signal drain current equa-

ion. Streptavidin thickness was measured to vary between 3.0
nd 18.6 Å. Fig. 5b shows the results of extracted thickness from
ensor models in Fig. 2 against that from ellipsometer on the
itness samples. Using Eq. (2), surface coverage for captured

1
b
c
a
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nalyte can be estimated to range from 11% to 69%. Care was
aken to ensure the sensor and witness samples experienced the
ame treatment throughout the experiment aside from a differ-
nce in glycerol in the analyte solution. A fit between actual
nd extrapolated thickness values gives a slope of 0.99 and a
-intercept of 0.16 Å.

. Discussions

.1. Detection sensitivity and model accuracy

Fig. 5a shows resolution of approximately 25 ng/cm2 or 2 Å
hange in streptavidin layer corresponding to a 13.7 mV sen-
or response with a dynamic resolution on the order of 50 s.
n principle, with improved noise floor the sensor can detect
ng/cm2 deposition for roughly a 500 �V sensor response based
n calibration curve findings. Sensor response begins to saturate
ear 250 ng/cm2, which corresponds to roughly 18.6 Å and 69%
urface coverage. Good sensitivity is observed between 11%
nd 69% surface coverage. For 20 kHz and up to 20 Å of cap-
ured protein, modeling the sensor interface as capacitance only
ithout resistance gives substantial accuracy. Both unprocessed

ensor data versus captured mass (Fig. 5a) and data processed
ith large-signal extraction model (Fig. 5b) can be used for cali-
ration. Agreement with the small-signal model (Fig. 2c) is also
bserved as sensor signal increases with analyte thickness or
aptured mass.

The saturation of raw data indicates the saturation of available
urface sites. Detection shows the results of captured mass, or
mount of streptavidin bound to biotin at the surface. With an
nsignificant reverse reaction constant, any molecule that reaches
n unoccupied site on the surface will likely remain bounded.

.2. Net ion drift

Low-frequency signal drift is a persistent problem in
ET-based sensors. The AC measurement scheme reduces prob-

ematic low-frequency signal drift for a dry chip previously
xposed to PBS (Fig. 6a) by eliminating net ion drift in oxide.
rift is assumed to come from Na+ ions, which are highly mobile

n silicon dioxide (Razavi, 2001). Negligible drift is seen for a
inusoid applied to the control gate with no DC offset while
he same conditions with small DC offset causes net drift in the
ignal. With drift reduced, noise reduces to random variations.
his can dramatically reduce the complexity in stabilization cir-
uitry or signal post-processing. Though AC measurement can
educe drift, future device design may also include silicon nitride
assivation layers to reduce ion contamination.

.3. Noise analysis

Electrochemical and biological events can add significant
oise to a sensor signal. Noise at interface often assumes a

/f form with α varying from 0 to 2. Many chemical and
iological processes exhibit 1/f noise behavior, similar to semi-
onductor devices where 1/f noise results from interface trapping
nd detrapping such as from dangling bonds, substrate noise
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Fig. 6. (a) Comparison of low-frequency drift with and without 0.5 V DC offset without applying fluid on the sensing interface. (b) Noise spectrum of the capture
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uctuations. (d) Noise spectrum of a control test with PBS on sensor interface
Hz. Noise profile at low frequencies conforms to 1/f, as expected from backgr

ffects, mobility fluctuations, and carrier concentration fluc-
uations (Buckingham, 1983; Razavi, 2001; Vandamme et al.,
994; Dutta and Horn, 1981). 1/f noise in a biological context
Siwy and Fulinski, 2002) can result from ion-channel noises and
oncentration fluctuation (White et al., 2000; Bezrukov, 2000),
rotein trapping and detrapping, or conformational changes.
tochastic models of protein binding have predicted 1/f2 varia-

ion from a single binding event (Hassibi et al., 2004, 2005).
A Fourier transform of a capture event and control test

emonstrates low-frequency noise with dependence between 1/f
nd 1/f2 (Fig. 6b–d). If noise takes the form 1/fα, α = 1.20 for
he full-capture event, as expected for a step function (Fig. 6b).
ensor response after capture shows low-frequency behavior
ith α = 1.00 (Fig. 6c). Pre-capture response is equivalent to
control test (Fig. 6d). Curiously, the noise starts to reach a

requency-independent noise floor around 1 Hz. The sampling
ate was increased for a control test to 512 Hz on the 20 kHz CG

ignal. This extends the noise plot out to 256 Hz, and shows the
oise floor in addition to low frequency 1/f behavior (Fig. 6d).
or smaller sensors, comparing differences in noise profiles of a
aptured protein and control tests may yield resolution of bind-

d

s
s

e. Noise profile conforms to α = 1.0, as expected from background electrolyte
reased sampling rate shows frequency-independent noise floor starting around
electrolyte.

ng interactions of a single protein molecule. For example, this
ay be seen by Fig. 6c showing greater noise than Fig. 6d below
Hz, indicating trapping and detrapping protein–protein events.

We see the frequency dependence of noise decreasing at
igher frequencies, indicating the presence of either white noise
r shot noise, both of which are almost frequency independent.
hot noise, the noise associated with carrier injection across
barrier, in contrast to 1/f noise, is purely random with no

requency dependence of the noise power density. It is read-
ly observed with carrier injection across a p–n junction in
emiconductor devices, but also has a predicted counterpart in
iniaturized, affinity-based biosensors (Hassibi et al., 2005).
hot noise in biological systems is hardly documented, in part
ecause it is difficult to distinguish it from white noise. Deter-
ination of the dominant noise source can be found by varying

he probing amplitude. If the noise level shows strong depen-
ence on signal magnitude at higher frequencies, then shot noise

ominates

Implications from 1/fα and shot noise for sensors and sen-
or circuits include the need to observe for relatively long time
cales in order to account for substantial low-frequency varia-
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ion. Low-noise circuits are required so that 1/f noise from the
ircuit can be distinguished from that of the fluid. Spectroscopic
easurements need to be sampled and filtered to reduce detri-
ental effects from fluctuations. It will be beneficial to include

ummy sensors for differential signal generation. If indeed ion
uctuation is the cause of 1/f noise, convection flow or agitator
hould be added so that the fluid stays mixed.

.4. False negatives and diffusion time

Adequate time is needed for added analyte to reach the sen-
or surface by diffusion and convection. At the concentrations
sed, streptavidin requires between 40 min and 90 min to diffuse
cross a 50 �L PBS sphere and reach 50% surface coverage on
he sensor surface by the 1D diffusion model of Eq. (7) (Anner,
990):

(x, t) = No erfc

(
x√
4D t

)
(7)

Here, N(x, t) is the concentration (M), No the concentra-
ion at the source, erfc the complementary error function, and

(cm2/s) is the diffusion constant. A diffusion constant of
.4 × 10−7 cm2/s for streptavidin (Raschke et al., 2003) is used
or estimation. Diffusion time is the required time to bring occu-
ied surface sites to 50% surface coverage, which is modeled
y the Langmuir model for occupied surface sites:

= α N(x, t)

1 + α N(x, t)
(8)

Here, θ is the fraction of occupied surface sites and α is
he binding constant between proteins. The biotin/streptavidin
ystem has one of the largest free energies of association for non-
ovalent binding of a protein and small ligand and is often used
n tethering schemes with proteins such as BSA. For biotin and
treptavidin, α = 1014 M−1 in free solution, but will be reduced
ue to the binding of biotin to BSA and tethering to the sensor
urface, which restricts motion Reduced α will result in more
ime needed for binding to occur.

Successful tests gave an increase in sensor response much
arlier than 40 min, indicating convection decreased transport
ime over diffusion alone. The likely source was pipette injec-
ion. A diffusion-limited test may mistakenly be recorded as a
alse negative if stopped too early. In order to avoid false nega-
ives the distance traveled by the analyte should be decreased or
onvection should be added to the system.

. Conclusions

C�MOS was shown to detect streptavidin binding to BSA
y monitoring at a single AC frequency. The platform was
abricated entirely through silicon foundry process with post-
rocessing involving application of SAM for protein capture.
old and platinum were not used. A model of the sensor and
ensor interface was established and gave good agreement with
xperiments. C�MOS is shown to resolve streptavidin changes
n the order of 25 ng/cm2 or 2 Å as verified against ellipsome-
ry on witness samples, with possible 2 ng/(cm2 mV) detection

S

S

electronics 23 (2008) 1503–1511

imit. The measurement scheme helps to reduce signal drift.
/fα and frequency independent noise floor of fluid was dis-
ussed.
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