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Abstract
Label-free electronic affinity based immuno-sensing is an attractive candidate as a platform technology for analyzing biomarkers
due to the ease of miniaturization and minimal use of reagents. Electronic based sensing approaches, however, have lagged
behind their optical counterparts in terms of detection limit, selectivity, and reliability. Also, the matrix dependent nature of
electronic sensing modalities makes difficult the analysis of biomarkers in high salt concentration samples such as serum due to
charge screening. We present a novel sensing platform, the micro-well sensor, that works by functionalizing nanoscale volume
wells with antibodies and monitoring the impedance change inside the wells due binding of target protein. This detection
modality is advantageous to many label-free electronic sensors in that signal power scales with increase in salt concentration,
thus improving the sensitivity of the platform. We demonstrate rapid label-free qualitative detection of cytokines within ten
minutes at femtoMolar concentrations and a dynamic range of 3 orders of magnitude in serum samples. We describe the design,
fabrication, and characterization of the micro-well sensor in serum samples using inflammatory protein biomarkers.
Keywords Label-free biosensors . Cytokine quantifications . Impedance detection . Protein detection . Proteomics . Biomarker
detection . Diagnostics

1 Introduction
Affinity based biosensors detect proteins and nucleic acids
through immobilization of probe molecules on a transducer
substrate to attain specificity in detection of the target macromolecule of interest. In the context of protein detection, protein array technologies provide a valuable platform for functional proteomic analysis (Ray et al. 2010). A protein microarray provides a multi-functional platform enabling comprehensive and high throughput studies, which can be widely
used in biomarker validation studies (Hudson et al. 2007),
study of protein–protein interactions (Schweitzer et al.
2003), protein–DNA interactions (Kersten et al. 2004), and
detection of various antigens and antibodies (Chamritski
et al. 2007). Among affinity-based biosensing technologies,
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there are two major detection strategies, label-based and labelfree. Both approaches have their merits and disadvantages.
Label-based technologies typically achieve lower detection
limits and higher selectivity, yet require multiple steps.
Label-free techniques tend to lag behind their labeled counterparts in terms of detection limit and specificity, yet often can
be performed in a single step, while also enabling real-time
monitoring and determination of the binding kinetics involved
in the interaction (Yu et al. 2006; Haab 2003).
Label-free biosensing technologies, both optical and electrical, have shown significant promise in the research setting
and in the literature (Zheng et al. 2005a; Armani et al. 2007),
however, have had difficulty moving beyond the lab and
progressing to commercialization, or more importantly clinical translation. (Sin et al. 2014; Luong et al. 2008) In the
context of protein biomarker detection, exceptions include
plasmonic based technologies like BIAcore (Fivash et al.
1998) and photonic technologies such as BioLayer interferometry (Concepcion et al. 2009). IonTorrent, a commercially
available label-free electronic CMOS based technology for
DNA sequencing, has shown promise for relatively low cost
genome sequencing (Eisenstein 2010). The ability to accurately assay biological samples to the extent where it can be used
for reliably attaining measurements in animal or human
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studies requires minimizing measurement inconsistency, device variability, and also must be capable of accurate detection
of biomarkers in biological matrices like blood, which is highly complex and has high salt concentration. Electronic detection technologies, such as charge based sensing using nanowire FETs and impedance sensing based on double layer modulation, often operate effectively in low salt environments
(Zheng et al. 2005a; Gao et al. 2015; Esfandyarpour et al.
2013). High salt concentration results in charge screening
and minimizing the double layer thickness to approximately
1 nm, thus making E-fields unable to penetrate beyond the
length of the capture antibody (10–20 nm). A novel approach
based on incorporating a porous biomolecule permeable layer
on the sensor which increases the effective screening length in
the region immediately adjacent to the device has also been
presented (Gao et al. 2015). Using this approach, they detected Prostate Specific Antigen in 100 mM Phosphate Buffer at a
detection limit of 10 nM. The primary challenge faced by
label-free technologies stems from measurement variability
and inconsistency, thus not being suitable for reliable quantification of molecular levels. The first and foremost reason is
that stochastic variations in levels of binding greatly increase
as biosensors excessively miniaturize down to the nanoregime
(Das et al. 2009). The probability of diffusion of the analyte
and its subsequent binding to the sensor surface decreases
significantly when the sensor active area dimensions are in
the nano-regime. Hassibi et al. (Das et al. 2009) developed a
comprehensive noise model examining the effects of scaling
on the solution to the Fokker-Planck equation and analyte
binding fluctuation, and demonstrated that scaling down significantly reduces the achievable repeatability and dynamic
range of biosensors. This can potentially explain one of the
reasons why technologies such as BIAcore (Myszka et al.
1998), BioLayer Interferometry (Concepcion et al. 2009),
and IonTorrent (Merriman et al. 2012), which are all microscale detection technologies, have been successfully commercialized while nanoscale label-free technologies, such as
nanowires (Zheng et al. 2005b) and Surface Enhanced
Raman Scattering (Han et al. 2009; Fabris et al. 2008), have
had difficulty making it out of the lab, despite the promise they
have shown in the literature. The problem of inconsistency is
even more pronounced in nano-sensors that have been fabricated using bottom-up synthesis approaches (Liu and Lee
2005; Choi et al. 2010; Liu et al. 2007), that show great sensitivity, yet repeatability is a major problem resulting from
batch to batch fabrication variations. Thus, top-down fabrication approaches have shown promise to work with higher
precision (Duan et al. 2012). Probe-free detection modalities,
such as Surface Enhanced Raman Scattering (SERS), are
highly dependent not only on the binding rate of molecules
with the sensor surface, but also the orientation of the binding
analyte (Yu and Golden 2007), thus inconsistency is an issue
even for precisely patterned sensors using top-down

Biomed Microdevices (2020) 22: 73

fabrication approaches. Label-free sensing approaches have
also lagged behind their fluorescence-label based counterparts
due to lack of long-term reliability resulting from electrode
corrosion and fowling. Additionally, nanopore based sensing
is an established method for achieving extremely high sensitivity, even at physiological salt concentrations.
Functionalized nanopores have been shown to achieve selectivity in protein detection (Actis et al. 2010; Umehara et al.
2009). Label-free protein sensing with low detection limits
has been demonstrated using nanotextured materials (Jacobs
et al. 1690, 2014; Panneer Selvam and Prasad 2013; Selvam
et al. 2012). Detection of proteins in blood or serum using
label-free impedance based techniques is difficult due to high
salt concentration of the matrix, which results in screening of
the charge of the target proteins. Numerous label-free impedance based techniques have been developed over the last several decades which for the most part involve charge and capacitive based measurements (Daniels and Pourmand 2007;
Lee et al. 2008; Maalouf et al. 2007), which are sensitive to
salt concentration of the matrix and its effect on the charge
screening debye length (Shanmugam et al. 2016; Chang and
Park 2010; Prodromidis 2010). Novel sensors have also been
developed using two dimensional materials and other novel
materials (Kamakoti et al. 2016; Sarkar et al. 2014). Recent
progress has been made by several groups demonstrating detection of cardiac and cancer biomarkers (Tuteja et al. 2016;
Chikkaveeraiah et al. 2012). In this work, we describe a novel
sensing configuration based on resistive sensing using standard non-faradaic electrodes where sensitivity is enhanced as
the salt concentration of the matrix increases. No microparticles, nanoparticles, or electrochemical redox reagents are
needed to enhance sensitivity and detection is performed in
a single step. We demonstrate robust performance through
repeated testing in rat serum.

1.1 Micro-well Array impedance sensor
The micro-well impedance sensor consists of a pair of overlapping electrodes with a thin dielectric layer sandwiched in
between (Fig. 1). An array of wells embedded into the overlapping area creates a conductive path between the top electrode and bottom electrode. Probe antibodies are immobilized
inside the wells. The impedance between the two electrodes is
monitored in real-time. As proteins bind to the antibodies
inside the wells, the impedance between the two electrodes
increases. This increase is due to the partial occlusion of ions
passing between the electrodes. The quantity of target protein
present in the serum will determine the ultimate drop in current measured between the electrodes. Higher salt concentration results in larger current, thus higher signal power corresponding to larger changes in current due to protein binding,
making the sensor ideal for quantification of proteins in high
salt content matrices such as serum. The sensor consists of a
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Fig. 1 a Micro-well Array Labelfree Impedance sensor schematic.
Electrodes in the array monitor
impedance in the well. As protein
binds to antibodies functionalized
in the well, a rise in impedance is
observed between electrodes. b
Measurement setup using lock-inamplifier

stack of two gold electrodes in which the bonding pads
accessing each are located on opposite sides of the chip. The
two electrodes extend from the bonding pads to the center of
the chip such that they overlap each other with an area of
20 μm × 20 μm. Lock-in-amplification is used to measure
the AC current passing through the electrodes inside the wells.

2 Materials and methods
2.1 Sensor fabrication
The following fabrication procedure was used to form the
sensors on a glass substrate. The first electrode was fabricated using standard photolithography, electron beam
evaporation of gold, and lift-off processing. The metal
layer consists of a 5 nm layer of chromium for enhancing
adhesion of the gold film to the substrate and a 100 nm
gold layer on top. A 40 nm layer of aluminum oxide is
deposited onto the first electrode using atomic layer deposition. The second electrode layer (again consisting of
5 nm chromium and 100 nm gold) is patterned using the
same procedure as the first layer. Another 40 nm layer of
aluminum oxide is deposited on top of the second electrode using atomic layer deposition to serve as a protection against fouling. A layer of photoresist is spin coated
onto the wafer. An array of micron-sized holes is photopatterned onto the overlapping area of the two electrodes.
Multiple wet etch steps are performed to remove the top
aluminum oxide layer (buffered oxide etchant), the gold
and chromium layer (gold and chromium etchant), and the

bottom aluminum oxide layer (buffered oxide etchant)
inside the wells. The photoresist is then stripped off. A
second photomask is used to pattern photoresist to protect
the sensors to be able to etch off various parts of the
alumina outside of the sensing region to expose the glass
surface. Devices with 20 μm × 20 μm and also 100 μm ×
100 μm overlapping area are shown in Fig. 2a and b.
Images of the devices were captured using an Ernst
Leitz Wetzlar bright-field microscope (Fig. 2a) and a
Zeiss Axio Imager M2M (Fig. 2b). A fluidic cell, for
confining the liquid, made of PDMS was then bonded
on top of the sensor substrate using oxygen plasma treatment. The fluidic cell consists of a millimeter diameter
well that allows for fluid to be directly incubated onto
the substrate.

2.2 Electrical impedance spectroscopy sensor
characterization
It is critical to understand the impedance behavior of the system to determine the optimum frequency region for
performing real-time measurements. We used a potentiostat
(Gamry Instruments, Warminister, PA, USA) to characterize
the impedance spectrum of the biosensor devices as shown in
Fig. 2c. We performed impedance measurements on a multitude of fabricated sensors ranging from 10 Hz to 3 MHz. The
impedance is dominated by the double layer capacitance until
100 kHz. Beyond 100 kHz, the impedance flattens out and
becomes dominated by resistance. Thus we choose to operate
at a frequency of 1 MHz, to monitor changes in ionic resistance as a result of antigen binding.
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Fig. 2 Microscopic images of
micro-fabricated sensors of
differing sizes and array size and
density. a 9-well and b 144-well
array device. c Magnitude and
Phase of Impedance spectrum of
device. d Nyquist curve of
corresponding device. Device
starts out capacitive at low
frequencies and response
becomes dominated by solution
resistance as frequency is
increased beyond 100 kHz. At
1 MHz, response is resistive
which is the optimal regime of
operation for the sensor.
Accumulation of protein in
micro-well results in increase in
resistance between electrodes

2.3 Reagent preparation and antibody immobilization
Antibodies and target proteins were suspended in phosphate
buffer saline (PBS). Monoclonal anti-human leptin IgG antibodies (MAB510, R&D Systems, Minneapolis, MN, USA)
were suspended in PBS at a concentration of 0.2 mg/ml. The
antibodies were physically adsorbed onto the sensor surface
by injecting 5 μl of anti-leptin solution into the sensor well
and incubating for 10 min. The target cytokine used in this
study, human leptin (510RT, R&D Systems, Minneapolis,
MN, USA), was suspended in concentrations ranging from
6 nM to 6 fM. All target cytokines including Leptin, Il6, Il4,
and TNF-α were commercially purchased (R & D Systems,
Minneapolis, Mn, USA). During experiments, the target cytokine buffer was mixed with pure rat serum at a 1:1. We spiked
the target human cytokine (human leptin as opposed to rat
leptin) in rat serum to test the effects of the background matrix
on the sensor. This ensured that endogenous levels of rat leptin
present in rat serum, would not interfere with the sensor during control experiments.

2.4 Real-time impedance measurements
Figure 4 shows a schematic describing our test setup. We
formed a millimeter sized well on top of the sensor, confining
the fluid. Reagents were sequentially added manually to the
well, and the complex impedance was monitored in real time.
The impedance inside the nano-wells is measured using a
multi-frequency lock-in-amplifier (Zurich Instruments
HF2IS, Zurich, SI). The AC excitation source, providing
0.4 V at a frequency of 1 MHz, was connected to one of the
electrodes, and the second electrode was connected to the
input of the lock-in-amplifier (gain of 1 k, bandwidth of
2 Hz, and sampling rate of 225 samples/s), where the real

and imaginary component of the impedance were both
acquired.

2.5 Statistical analysis
The percentage change in voltage was measured for each sensor in real time. Experiments were performed at each concentration in triplicate. Mean and standard deviation over the
three measurements were calculated. The p value of the lowest
measurable concentration (600 fM) with respect to the negative control experiments was calculated to assess statistical
significance.

3 Results and discussion
3.1 Analysis of purified samples
To perform measurements with maximum sensitivity, it is
extremely critical to capture impedance changes occurring in
the sensors as biological binding events occur in real time.
Tests were initially performed in purified samples. In Fig.
S1, the output of the lock-in amplifier is shown as an empty
well is filled with Phosphate Buffer Saline (PBS). The voltage
at the output, or the current across the electrodes, increases by
two orders of magnitude. This means the impedance across
the electrodes decreases by two orders of magnitude, which is
expected because of the high conductivity of the buffer. As a
negative control, a blank PBS sample is added to the well,
resulting in minimal shift in baseline in the positive direction
(Fig. S2). In the next step, anti-leptin antibodies are added to
the wells and the antibodies physically adsorb to the gold
surface. Figure 3a shows representative data of the sensor
response with respect to time as monoclonal antibody (antiLeptin IgG) physically adsorbs in the channel resulting in
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et al. 2009). The time scale to reach saturation is on the order
of ten to 15 min. Figure 3b describes the sensor response with
respect to time as leptin in solution binds to electrode surface
functionalized with anti-leptin IgG resulting in 4.37% drop in
current across electrodes. The fluid in the well is then aspirated (Fig. S3) to remove extra antibodies in the solution, and
PBS is re-injected (Fig. S4). Again, as a negative control, PBS
is added on top of the existing solution. As a negative control,
a blank solution of PBS is injected, resulting in a rise in current
(drop in impedance is observed, likely due to desorption of
antibodies) (Fig. 3c). For negative control experiments, the
current across electrodes generally rises by 1%. This is seen
with all negative control experiments and is likely due to antibody desorption. The addition of target antigen (Leptin) results in an exponential drop in current with a signature similar
to that observed during antibody immobilization (Fig. 3b).
Accumulation of protein due to non-specific binding results
in an increase in the ionic resistivity inside the well. A nontarget cytokine is injected into the well as a negative control.
The current response is similar to that of the addition of blank
PBS sample (Fig. S5). The relative change in impedance observed for each step is illustrated in Fig. 4.

3.2 Sensitivity and well size

Fig. 3 a Sensor response (absolute value of current across electrodes)
with respect to time as monoclonal antibody (anti-Leptin IgG)
physically adsorbs in channel resulting in exponential drop in baseline.
b Sensor response (absolute value of current across electrodes) with
respect to time as leptin in solution binds to electrode surface
functionalized with anti-leptin IgG resulting in 4.37% drop in current
across electrodes. c Negative control. When blank PBS sample is added
in fluidic well containing sensor, aside from initial baseline shift common
to all steps, current across electrodes generally rises by 1%. This is
observed with all negative control experiments, likely due to antibody
desorption

exponential drop in baseline. When the channel becomes
filled with PBS, and antibodies are added to the mix and they
adsorb inside the well, a decrease in output voltage or an
increase in impedance is observed, which is consistent with
our model, where the presence of protein results in occlusion
of ionic current passing between the electrodes, thus resulting
in an increase in resistance. Also, a unique exponential pattern
to these drops in voltage (or rise in impedance) is observed,
which is consistent with time dependent behavior of antigen
antibody binding. This is similar to the response observed
with surface plasmon resonance based biosensors (Piliarik

After determining the optimum operation frequency and establishing functionality of the device, we set out to determine the
optimum device geometry for detection of the protein binding
in the well. We fabricated devices with micro-wells of different
diameters. Figure 5 shows the results of repeated tests (in triplicate for each diameter) of varying well diameters. We observe
that smaller diameter allows for larger normalized change in
baseline impedance resulting from antibody adsorption inside
the well compared to larger diameter wells. We also tested
devices with oxide thicknesses of 30 nm and 40 nm to determine which provides better sensitivity. Devices with 40 nm
spacing showed larger change in normalized impedance when
antibody physically adsorbed inside the well compared
to devices with 30 nm spacing. Since 40 nm thickness already
provided a strong response, further testing was performed
using 40 nm thick oxide devices with 2 μm diameter wells.

3.3 Spiked serum samples
Upon successful demonstration of sensor operation in purified
samples and optimization of geometry, we quickly moved on
to characterizing sensor performance in spiked serum samples. The procedure performed in all experiments for preparing and priming the sensors for the positive and negative control experiments is similar to that illustrated in Fig. 4. In all
experiments, a negative control sample of serum from a
healthy rat mixed with PBS (1:1 ratio) was used as a negative
control showing response similar to that of blank samples. Rat
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Fig. 4 Illustration of
experimental protocol for device
validation with error bars
(standard deviation over 3
experiments) and resulting
percentage changes in impedance.
Antibody adsorption and protein
binding inside well results in
decrease in impedance. Negative
control steps (adding blank
samples or non-targeted protein)
results in positive change in
current

serum (Sigma Aldrich, St. Louis, MO, USA) samples spiked
with human leptin at a 1:1 ratio with PBS showed response
similar to that of leptin in purified buffer.

3.4 Applicability to alternate target protein
biomarkers
To showcase the agnostic nature of the platform technology
and its utility to other target proteins and resilience to nontarget proteins of higher abundance, we immobilized the sensor with alternate antibodies, including anti-TNF-α IgG (R &
D Systems, Minneapolis, Mn, USA). Figure 6 shows representative data of the response obtained in rat serum when
spiked both with (red curve) and without (Blue curve) the
target antigen (TNF-α). In the negative control experiment
(blue curve), we injected rat serum spiked with 1 nM of two
non-target cytokines, rat Il6 and rat Il4, both, but no target
protein (TNF-α). After the instantaneous baseline shift, the
current rises, which is signature to all negative control experiments. In the positive test experiment (red), in addition to
high background (1 nM) of non-target protein (rat Il6 and rat
Il4), 1 pM of the target protein (rat TNF-α) was spiked in the
Fig. 5 Relationship between
sensor response (absolute value of
current across electrodes) to
protein binding and well diameter
(Left) measured in triplicate over
3 different well sizes and (Right)
the current across the electrodes
verses time for 2 μm, 3 μm, and
4 μm diameter wells

rat serum. As seen (red curve), when the target protein
(TNF-α) is present in the serum, the characteristic exponential
decay over a period of minutes until reaching saturation is
observed, whereas in the case of the negative control (red),
the sensor reaches its minimum value within seconds and then
begins rising (despite the high concentration of background
rat Il4 and rat Il6). A third control experiment is performed
(yellow curve) where only the target protein (TNF-α) is
spiked in serum with no additional non-target proteins spiked.
The result is similar to the first case where rat TNF-α and high
background of non-target protein (rat Il6 and rat Il4) was
spiked, in that the characteristic exponential decay over a period of minutes until reaching saturation is observed. This
shows that the presence of high background of non-target
proteins does not inhibit the sensors ability to detect target
protein.

3.5 Dynamic range and detection limit
characterization
A titration experiment was performed to determine sensor
response as a function of analyte concentration. The
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Fig. 6 Sensor response (absolute
value of current across electrodes)
to the sample spiked with i) target
protein (TNFα) at 1 pM and nontarget proteins (Il6 and Il4) at
1 nM, ii) Negative control (serum
spiked with non-target protein
1 nM of Il6 and TNFα), and iii)
serum spiked only with target
protein (TNFα) and no non-target
proteins

We present a novel label-free biomolecular sensing modality
that consists of an array of antibody functionalized nanoscale
wells, embedded with electrodes for monitoring changes in
ionic resistance as target protein binds inside the wells. The
key novelty and advantage of this sensor geometry is that the
high salt concentration of serum serves to improve the

sensitivity of the system, as opposed to traditional label-free
sensing approaches that work based on changes in capacitance
or charge, which get limited by screening. High salt concentration increases the conductivity of the media, which increases the baseline signal power, thus improving overall signal to noise ratio. As a result, we were able to reliably and
repeatedly detect target cytokines spiked in serum at concentrations as low as 600 fM with 2 orders of magnitude dynamic
range within ten minutes. In a practical setting, a single step
involving sample injection would be sufficient to perform
sample to answer analysis using the micro-well sensor. This
ease of use can enable a plethora of applications ranging from
medical diagnostics to environmental monitoring and food
safety. We emphasize that while we only demonstrated
singleplex detection using leptin cytokine spiked in serum,
the platform can be applied to a wide range of biomarkers.
Multiplex analysis can be performed by fabricating an array of
sensors, where each sensor is fabricated with antibodies
targeting different proteins. A challenge with this assay in
the current embodiment is the large error bars in the

Fig. 7 Titration curve for concentrations ranging from 60 pM down to 6
fM. Error bars are standard deviation over 3 points. Negative control
(NC) is also included. Background level is defined where change in
impedance across electrodes is no longer positive. Repeatable detection
limit is 600 fM which is clearly above background. P-test was performed

between 3 points obtained at 600 fM and 3 points obtained for negative
control and resulted in a P value of 0.048 which is less than 0.05, which
means the detection is statistically significant. 0% change crossing point
is 290 fM. ANOVA analysis of all groups resulted in P value of 0.002 (P
value <0.05), which indicates statistical significance

concentration range tested included human leptin spiked into
rat serum 60 pM all the way down to 6 fM. The titration curve
for testing 2-μm diameter micro-well sensors is shown below
in Fig. 7. Reliable detection of Leptin is shown 600 fM and
higher. All negative control measurements were performed
using non-spiked rat serum to ensure that sensor fouling did
not result in false-positive signals. As seen in Fig. 7, the sensor
has a dynamic range spanning 2 orders of magnitude (600 fM
to 6 pM). All experiments were performed by spiking leptin
into rat serum, and performed in triplicate.

4 Conclusion
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measurement. This can be improved by embedding multiple
sensors in a single well plate and taking the average of multiple measurements. This can improve precision that may otherwise be hindered due to variations in device geometry during fabrication or the surface coverage of antibodies in each
well. The readout electronics utilized in this study was a
benchtop lock-in-amplifier, however, a miniaturized portable
(Talukder et al. 2017) or wearable lock-in-amplifier
(Furniturewalla et al. 2018) could be used instead with wireless transmission capabilities and readout on a smartphone.
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