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Here we present the development of an array of electrical micro-biosensors in a microfluidic channel,
called microneedle biosensors. A microneedle biosensor is a real-time, label-free, direct electrical detec-
tion platform, which is capable of high sensitivity detection, measuring the change in ionic current and
impedance modulation, due to the presence or reaction of biomolecules such as proteins and nucleic
acids. In this study, we successfully fabricated and electrically characterized the sensors and demon-

strated successful detection of target protein. In this study, we used biotinylated bovine serum albumin
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as the receptor and streptavidin as the target analyte.
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1. Introduction

Low cost detection of biomolecular has various applications
in medicine, biotechnology and can potentially enable the dream
of personalized medicine [1]. Biomolecules of interest may range
from proteins [2], nucleic acids [3], whole cells [4], and metabo-
lites [5]. Most biosensors fall under the following categories:
calorimetric, electrical, optical, and mechanical. The most common
techniques for optical detection include fluorescence detection [6],
surface plasmon resonance (SPR), surface enhanced Raman spec-
troscopy (SERS) [7], colorimetric for color and photometric for
light intensity [8]. The most common techniques for mechanical
detection include scanning probe microscopy (SPM) [9], atomic
force microscopy (AFM)[10], scanning tunneling microscope (STM)
[11], and quartz crystal microbalance (QCM) [12]. Piezo-electric
devices typically use gold to detect the specific angle at which
electron waves are emitted when the substance is exposed to
laser light or crystals, such as quartz, which vibrate under the
influence of an electric field [13,14]. Common techniques for elec-
trical detection include impedance spectroscopy, potentiometry
[17], and amperometry. Amperometric systems detect current
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resulting from movement of electrons in redox reactions detected
when a potential is applied between two electrodes. Potentio-
metric systems detect change in the distribution of charge using
ion-selective electrodes [15,16]. Colorimetric biosensors measure
the change in light absorption, whereas photometric sensors mea-
sure light intensity or photon output from a luminescent or
fluorescent process with photomultiplier tubes, charge coupled
detectors, or similar systems [18]. For calorimetric biosensors,
if the enzyme catalyzed reaction is exothermic, a temperature-
sensitive resistor (thermistor) or thermocouple may be used to
measure the reaction event [19]. For differential measurement,
where the common noise can be reduced, the difference in the
resistances, where one is exposed to the reaction but the refer-
ence sensor is not, represents the heat signal between reactant
and product and hence, the analyte concentration. Various elec-
trochemical biosensors have been developed for detection of
biomolecules, such as DNA hybridization, DNA sequencing, protein
or small molecule detection. For instance, for DNA hybridiza-
tion, this can be accomplished by monitoring the hybridization
of target DNA to probe DNA molecules which are attached to
the surface of a sensor and measuring the change in conduc-
tance or double-layer capacitance resulting from hybridization
of the probe and target DNA [20,21]. One class of electrical
biosensors is impedance biosensors, which show promise for point-
of-care and other applications [22-34]. Label-free detection has
also been achieved using micro-scale impedance sensing [35].
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Impedance biosensors are low cost, easy to miniaturize, and label-
free.

2. Microneedle biosensor: concept

Here we present a novel microneedle biosensor used as an ultra-
sensitive, real time, label-free and localized device, which shows
promise to overcome some of the current limitations of biosensors.
By real time, we refer to the ability to directly measure biomolec-
ular binding as a function of time, which causes changes in the
impedance measured. This can be useful for measuring reaction
kinetic constants for various biomolecular species. This paper out-
lines the study of fabrication and testing results of the device.
This sensor has the potential of measuring molecular interactions
between small numbers of molecules, potentially down to a single
molecule interaction, and is useful for the detection of biomarkers
such as proteins or nucleic acids. A schematic of the device is shown
in Figs. 1 and 2. There are two different possible microneedle struc-
tures; a horizontal microneedle structure (Fig. 1a) and a vertical
nanoneedle structure (Fig. 2). In addition to achieving low cost and
high sensitivity while being label-free, the other potential advan-
tage of the microneedle structure is the ability to measure protein
levels directly in vivo inside a living cell, due to its rigid solid-state
structure while being thin at the same time. Potentially a thin func-
tionalized needle can be inserted into a living cell, and impedance
measurements can be made directly as proteins are binding onto
the needle surface. This can be used for many different applica-
tions such as measuring protein expression for the purposes of drug
screening. In this manuscript, we focus primarily on demonstrating
a proof of concept using the horizontal microneedle structure, since
it is easier to fabricate. While the horizontal structure is advanta-
geous due to ease of fabrication, the vertical structure will likely
offer advantages of higher transducer sensitivity, due to smaller
sensing area. The other advantage of the vertical needle is that for
future in vivo studies, it will be easier to load the cell of interest
onto the needle compared to the horizontal structure. The results
here demonstrate the utility of the horizontal microneedle struc-
ture for low cost label-free detection; however, these studies are
also useful because the results obtained here can also be used as
guidelines when designing the vertical nanoneedle structure.

The vertical nanoneedle biosensor structure consists of four lay-
ers. First, a metallic core needle which is surrounded by an oxide
layer. The oxide layer is also surrounded by another metallic layer,
which serves as the second electrode. The most out layer is an
oxide layer to protect the outer electrode from the electrolyte. In
Fig. 2c, we show results of finite element modeling simulations we
have performed using COMSOL, where we simulate the changes in
impedance at the tip of the vertical nanoneedle sensor as a result
of protein binding. We model the protein binding to the sensor
tip as several insulative cylindrical objects attached to the surface.
The dimensions of the needle were the following: the inner metallic
core has aradius of 30 nm, the surrounding insulator has a thickness
of 20 nm, the outer metallic core has a thickness of 7 nm, and the
outer insulative layer has a thickness of 15 nm. The proteins bind-
ing were represented as 10 nm diameter and 10 nm tall cylinders.
These are rough representations of clusters of proteins binding.

We also examine a horizontal structure which effectively
behaves similarly to the vertical structure, however it is easier to
fabricate, thus we pursued fabrication of this structure instead of
the vertical. The horizontal microneedle structure consists of three
thin-film layers. There are two conductive layers with an insula-
tor layer in between. There may be a protective oxide layer above
or below the sensors to prevent the exposure of conductive elec-
trodes to the solution. Underneath the bottom electrode, there is
an oxide layer, which can be a thermally grown oxide, to insulate

the first electrode from the substrate. Various thicknesses and geo-
metrical designs have been fabricated and tested. For one of the
sensors tested, the thickness of each electrode is 100 nm, and the
middle oxide layer thickness is 20-30 nm. The top protective oxide
layer thickness is 200 nm and the bottom oxide layer thickness is
250 nm (Fig. 1b). The width of the microneedle tip is 5 m. The
probe molecule (e.g. DNA molecule or protein) is immobilized on
the tip of the microneedles. The binding of target molecules to the
probe molecules modulates the impedance between the electrodes.

3. Microneedle biosensor advantages

Most electrical biosensors offer the advantage of real-time and
label-free measurements; however they suffer from low sensitivity
and low signal to noise ratio (SNR) due to ambient noise. One of the
most important issues in biosensor development is specificity and
detector sensitivity. The devices suffer from low SNR caused by dif-
ferent noise sources such as electrical, thermal noise, flicker (1/f),
Johnson-Nyquist noise, fluidic fluctuations. On the other hand, the
signal generated due to a reaction or binding event of a target
molecule to a probe molecule is not large enough and needs to be
amplified. Due to miniaturization of the microneedle tip, this device
has potentially high sensitivity for the detection of small num-
bers of molecules. The sensing area of this sensor is a sub-micron
sized area. Ultimately, by scaling this sensing area to approach
the size of the biomolecule of interest one can potentially achieve
single molecule detection. Binding of just a few molecules at the
sensing area generates a signal, which could be detectable by the
microneedle sensor device. This results in a high sensitivity detec-
tion limit. Another advantage of the microneedle biosensor is the
scalability and ease of multiplexing. This is a very important feature
to enable high throughput large scale proteomics and genomics.
Since the sensing region is the small area at the tip of the sensor,
the microneedle structure is much less sensitive to environmen-
tal perturbation and disturbance. In addition, since the proposed
sensor can be configured and fabricated in a free-standing “needle”
structure, it can potentially be used to be injected into and mon-
itor/characterize the inside of a living cell. Due to its suspended
rigid microstructure, the injection through the cell membrane can
be envisioned. This may have substantial use in drug discovery.

4. Sensor fabrication

Here, we briefly explain the process for the fabrication of the
horizontal microneedle biosensor. We performed the following
steps in order to fabricate the biosensor devices. Starting out with
an undoped silicon wafer (Fig. 3a), first, 250 nm of silicon oxide
was thermally grown (Fig. 3b) on a silicon substrate. This was fol-
lowed by the deposition of 100 nm of poly-silicon (Fig. 3c) using
low pressure chemical vapor deposition (LPCVD), which was then
doped with phosphorus to achieve a sheet resistance of 210 ohms
per square. A 30 nm-thick SiO; layer was thermally grown (Fig. 3d)
on the bottom p*-silicon layer. Another 100 nm p*-silicon layer was
deposited again using LPCVD (Fig. 3e). Finally a 200 nm SiO, layer
was deposited on top of the p*-silicon layer (Fig. 3f) using plasma
enhanced chemical vapor deposition (PECVD). We patterned the
microneedle bundles by etching the 200 nm top-SiO,layer, 100 nm
top p*-silicon layer, and 30 nm middle oxide layer down to bottom
p*-silicon layer (Fig. 3g). We performed wet etch step to etch out
the channel below the bundle of microneedles (Fig. 3h). Then we
performed focus ion beam to expose the tips of the microneedles
to the electrodes. Afterwards, we performed another etch step to
expose the bonding pads to allow wire bonding. Fig. 4 shows an
optical micrograph of a bird’s eye view of our sensor. Then a pre-
made microfluidic PDMS chip with a micro-channel in the bottom
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Fig. 1. (a) Schematic of microneedle biosensor side view of horizontal nanoneedles (not to scale), (b) SEM image of the tip of a microneedles biosensor; 1 and 3 are the
electrodes; 2 is the oxide in between the electrodes, and (c) schematic of an array of horizontal microneedle biosensor in the channel.
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Fig. 2. (a) Side view schematic of a vertical nanoneedle biosensor. (b) Birds eye view schematic of vertical nanoneedles. (c) Finite element simulation result of impedance
modulation for vertical nanoneedles as proteins bind to surface.
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Fig. 3. Flow diagram of process for fabrication of microneedle biosensor.

of the device was bound to the substrate of the sensor channels measurements. For the voltammetry and amperometry meth-
using thermal bonding. ods the current at one electrode is measured as function of
an applied electrode-solution voltage. These two approaches are

5. Measurements methods DC, which causes a change in the properties at the surface of
the electrode if the voltage applied is large enough. On the

Different methods such as amperometric, voltammetric, other hand, impedance biosensors can measure the electrical

or impedance sensors have been used for the electrical impedance of an interface using an AC steady state at lower voltage
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Fig. 4. Optical micrograph of a fabricated microneedles sensor from bird’s eye view.
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Fig. 5. Circuit diagram of parasitic resistances (solution resistance: Rs, body resistance: Ry, electron transfer resistance: Re;) and capacitances (double layer capacitance: Cqj,

fringing capacitance: Cg, body capacitance: Cy) of microneedle biosensor.

values. Electrochemical impedance spectroscopy (EIS) has been
used to study a variety of electrochemical phenomena over a wide
frequency range or a single frequency. A voltage excitation is com-
monly applied in electrochemical impedance spectroscopy (EIS).
The measured electrode-solution impedance and the various par-
asitic impedances are in parallel in EIS. Fig. 5 shows a schematic of
the circuit model of our microneedles senor’s parasitic resistances
and capacitances where the solution resistance is represented by
Rs, the needle body resistance is represented by Ry, the electron
transfer resistance is represented by Ret, the double layer capaci-
tance is represented by Cy, the fringing capacitance is represented
Cg, and the body capacitance is represented by C,. The AC voltage
or AC current can be applied while the other variable is measured.
Applied voltage signal can be defined as below:

Vapplied = Vbc + Vac sin(wt)
The resulting current would be:
Iapplied = Ipc + Iac sin(wt — 0)

The magnitude of the measured electrical impedance, Z(w), is
the ratio of Vac over Iac, and its phase is 6. The electrode solu-
tion impedance depends on two factors: bias conditions and the
measurement frequency. Here we need to excite our device with a
single frequency; for this purpose a “lock-in amplifier” is one of the
options, which can be used to accurately measure the output signal
at the same frequency. When the target analyte binds to the sen-
sitive area of the sensor, the impedance of the electrode solution
interface changes. The change in the impedance is a function of the
number of antigens that bind to the microneedles surface, which
is a function of the concentration of target molecules in the test
sample. Electrochemical impedance spectroscopy can be used for
detection of that impedance change. For several reasons the applied
voltage should be small during the impedance measurements. First,
linearity of the current-voltage relationship for the device is accu-
rate only for small modulations, due to the fact that the size of the
electrical double layer at the surface changes with large enough
voltages. Avoiding modifying or disturbing of the probe layer due to
electrolysis is the second reason. We tested microneedle biosensor
devices for protein detection by using biotinylated BSA and strep-
tavidin as the analytes. Electrochemical impedance spectroscopy
(EIS) is used for the impedance measurements, as described in the
next section.

6. Sensor characterization and experimental results

In order to perform EIS measurements on the microneedle
biosensor we used a Versa STAT3 potentiostat (Princeton Instru-
ments, Princeton, New Jersey). A sinusoidal voltage signal was
applied to the top electrodes and the current entering the bot-
tom electrode was measured and used to calculate the impedance.
The measured impedance consists of different elements such as
bulk capacitance, bulk resistance, fringing capacitance, double
layer capacitance, double layer resistance and solution resistance.
By applying a voltage between two electrodes; a current passes
through the solution. The ratio of the applied voltage to the pass-
ing current gives the value of the impedance of the device. We
measured the impedance spectrum from 0.1 Hz to 1 MHz. Our mea-
surements show that the optimal frequency at which maximum
change in measured impedance occurs due to biomolecular bind-
ing is between 1 and 10kHz. The first pole in our system occurs
at 100 kHz. This means that changes which we see in impedance
resulting from binding is due to changes in the Debye layer capaci-
tance. Above 100 kHz, the electrolyte bulk resistance dominates the
impedance. Ideally for our system, maximum changes would occur
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Fig. 6. Impedance measurement vs. time. BSA suspended in PBS at a concentration
of 100 wg/ml and streptavidin solution at a concentration of 10 pg/ml.
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Fig. 7. (a) The microchannel is full of fluorescently labeled streptavidin. The microneedle tips are not visible since they are buried in the channel which is full of fluorescently
labeled streptavidin. (b) The channel after the unbound streptavidin has been washed out. Fluorescently labeled streptavidin molecules are bound to the biotinylated BSA
molecules attached on the surface of the needle. There are four separate microneedles in figure b, which we have labeled and shown with arrows. One thing to note is that
figure b is shifted upward compared to figure a. In figure b, the border of the microchannel is off the picture.

in lower frequencies (<1kHz), however the reason why changes
below 1kHz are not seen is due to the small size of the sensor
tip resulting in a very small double layer capacitance at the inter-
face resulting in a very high interfacial impedance (>100 GS2) of
our sensor at low frequencies. This results in much higher noise
in our potentiostat, compared to the frequency range, which we
worked with. This makes working in the 1-10kHz range more
practical for our sensing purposes, because the magnitude of the
impedance is lower which makes it easier to measure with our
potentiostat instrument. From here on, for the real time measure-
ments, a 100 mV RMS 10 kHz AC signal is applied.

7. Protein detection

In order to show the proof of concept for protein detection
with microneedle devices, we tested the ability of our sensors to
detect binding of biotin and streptavidin in real time. Biotinylated
BSA-streptavidin binding was chosen to demonstrate the effec-
tiveness of device functionality. This binding has been extensively
studied and is a well understood process, and therefore can serve
to model and characterize a system for protein interactions. The
procedure for this experiment is as follows: phosphate buffer
saline (PBS) was injected into the channel and the impedance was
measured. This impedance is the baseline of all the measurements.
All the changes can be compared to this base line. The next step was
incubation for 15 min to allow the solution to reach a steady state.
Then, biotinylated BSA (bovine serum albumin) molecules, which
act as receptor proteins, were injected into the microchannel.
This protein physically adsorbs and binds to the oxide surface.
The biotinylated BSA solution was suspended in PBS at a concen-
tration of 100 pg/ml. It took less than a minute to reach steady
state. Afterwards, as a control, while the impedance was being

monitored, PBS was injected into the channel to ensure that the
changes in impedance are not spurious and are due to molecules
attaching to the surface. This resulted in no change in impedance
beyond the noise level. Streptavidin was then injected into the
channel. Streptavidin was resuspended in PBS at a concentration
of 10 pg/ml.

After a few seconds streptavidin molecules started to bind to
the surface-attached biotinylated BSA molecules. Fig. 6 shows rep-
resentative data of a typical binding curve over time. The binding of
the streptavidin molecules to the biotinilated BSA results in about
a 5% change in impedance.

As a control, we injected PBS into the channel and measured
the impedance. The change of impedance after this washing step
was insignificant to the extent that it was buried in noise. It shows
that the measured impedance is only modulated when a molecule is
bound to the sensor active area, resulting in a change of impedance.
The measured impedance changes are not due to unbound strep-
tavidin molecules or changes in electrolyte conductivity. These
experiments were repeated three times, and the same exact trend
was observed.

One thing to note is that the change in impedance as a result
of streptavidin binding is not as large compared to the change in
impedance when biotinilated BSA binds to the surface, although in
terms of size they are both on the same order of magnitude. This is
to be expected, because the streptavidin is farther away from the
electrode surface relative to the BSA, thus having less interaction
with the Debye layer compared to BSA.

We assumed first order Langmuir kinetics for simplicity and
using the following equation:

% _ CO/I(D

bm ~ 1+(Co/Kp)
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Fig. 8. (a) Immobilized non biotinylated BSA molecules are bound to the surface of the sensor. The microchannel is full of fluorescently labeled streptavidin. The microneedle
tips are not visible since they are buried in the channel which is full of fluorescently labeled streptavidin. (b) The same channel after washing out with 1x PBS. No fluorescently
labeled streptavidin molecule is still bound. The arrow points to the tips of the needle, which is very dim due to the fact that the fluorescent streptavidin molecules have not
bound to the needle surface. There are four separate microneedles in figure b. One thing to note is that figure b is shifted upward compared to figure a. In figure b, the border

of the microchannel is off the picture.

where beq is the number of molecules bound to the sensor surface
in equilibrium, by, is the number of probe molecules attached to
the sensor surface (where we assumed 1 x 109 probe molecules
per cm? and an active sensing area of 24.2 um?, Cy is the concen-
tration of streptavidin molecules in the bulk (130nM), and Kp is
the affinity constant of streptavidin biotin binding (10~14 M). Using
this equation and assuming that we are operating in the reaction
limited regime, we calculated that approximately 2400 molecules
have bound to the surface sensor.

8. Control experiments

Two control experiments were performed to confirm that the
change of impedance was due to specific binding of streptavidin
molecules to the biotinylated BSA molecules. For the first control
experiment biotinylated BSA molecules were used as the receptors
and fluorescently labeled streptavidin molecules were used as the
target proteins. The experimental steps were exactly the same as
the previous experiment. Biotinylated BSA was injected into the
channel and incubated for 15 min. The channel was washed with
PBS, and then fluorescently-labeled streptavidin was injected into
the channel. Fig. 7a shows the channel full of fluorescently labeled
streptavidin molecules. The channel was very bright because the
channel was full of fluorescently labeled streptavidin molecules
before any washing took place. Then the channel was washed with
PBS and another image of the sensors in the channel was captured.
As seenin Fig. 7b fluorescently labeled streptavidin molecules were
bound to the surface-attached biotinylated BSA molecules on the
surface of the needle.

For the other control experiment, we immobilized regular
non-biotinilated BSA molecules to the surface of the sensor. We

expected no fluorescently labeled streptavidin molecules to bind.
As we expected all fluorescently labeled streptavidin molecules
were removed from the channel after washing (Fig. 8). There was
no biotin linked to the BSA molecules and thus no binding occurred.
These control experiments confirmed that the electrical signal
shown in Fig. 4 was due to the specific protein binding.

9. Conclusion

We have presented the design, simulation, fabrication, and
testing of microneedle biosensors for protein detection. The
results demonstrated the feasibility of potentially using micronee-
dle biosensors for detection of biomolecular interactions. As
already mentioned, electronic sensing using microneedle biosen-
sors devices offers several advantages. These sensors are small, fast,
and the active detection area may be sized for detection of indi-
vidual proteins or viruses. The needles can potentially be used for
large scale multiplexed cancer biomarker discovery. Microneedle
biosensors can be designed and fabricated in a pixel array format as
an integrated and localized biosensor, with the possibility of arrays
of hundreds of micro-sensors per square millimeter of a device.
Because of the use of electrical detection, we envision the applica-
tion of these sensors in an integrated handheld system for point of
care clinical diagnostics.
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