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A B S T R A C T

Biosensors that incorporate nanomaterials and nanofabrication techniques enable molecular detection of che-
mical and biological macromolecules with a high degree of specificity and ultrasensitivity. Here, we present a
novel fabrication process that yields a nanostructure capable of detecting biological macromolecules. The ex-
tended core nanocoax (ECC) structure builds on a previously reported nanocoaxial-based sensor. The fabrication
of the device incorporates an extended inner pillar, with controllable extension above the annulus and into the
surrounding solution. This new design eliminates structural constraints inherent in the original nanocoax ar-
chitecture. We also provide results demonstrating improvement in biosensing capability. Specifically, we show
the capability of the new architecture to detect the B subunit of the Vibrio cholerae toxin at improved sensitivity
(100 pg/ml) in comparison to optical enzyme-linked immunosorbant assay (1 ng/ml) and previously reported
coaxial nanostructures (2 ng/ml).

1. Introduction

Developments in on-chip, portable electrochemical biosensing tools,
which are suited to point-of-care (POC) use, are limited in part by a lack
of appropriate surface architectures. Signal transduction and overall
sensor performance is dictated by electrode design, and as a con-
sequence, simplistic structures, such as planar gold, may not be suffi-
cient to maintain high sensitivity on a miniaturized platform
(Grieshaber et al., 2008; Lowe, 1984; Kasemo, 1998). As such, the field
of biosensing has greatly benefited from the utilization of nanomater-
ials and nanofabrication techniques in order to overcome these lim-
itations (Chen et al., 2010; Roy and Gao, 2009; Brazaca et al., 2017;
Wongkaew et al., 2018; Zhang et al., 2017; Zhu et al., 2015; Rizal et al.,
2013). This can be understood in part by consideration of typical spatial
dimensions of targets of biosensing devices, e.g. viruses, proteins, and
other virulence factors, on the order of single-to-tens of nanometers
(Erickson, 2009; Purohit et al., 2005). Nanoscale sensing devices im-
prove and enable detection mechanisms by taking advantage of prop-
erties inherent to nanoscale structures, such as high surface-to-volume
ratio (Liu et al., 2014), single molecule-sized pores (Feng et al., 2015),
and small path lengths in nanogap electrode arrays (Shim et al., 2013;

Li et al., 2010). These and other nanoscale properties facilitate the
existence and enhancements of phenomena key to biosensing, such as
redox cycling (Wolfrum et al., 2016), localized electric fields (MacKay
et al., 2015), and Faradaic-to-capacitive signal ratio (Morgan and
Weber, 1984; Otero et al., 2016). Since these phenomena depend on the
nanoscale features, small, judicious changes to these parameters can
potentially result in significant improvements in device capability
(Rizal et al., 2013; Arroyo-Currás et al., 2017).

A nanogap-based architecture, the nanocoax, was previously re-
ported and shown to be able to transmit visible light (Rybczynski et al.,
2007; Merlo et al., 2014), convert light to electricity (Naughton et al.,
2010), and detect volatile organic compounds (Zhao et al., 2012). The
nanocoax has also been used as an optrode for neurophysiology
(Naughton et al., 2016). Its architecture consists of vertically oriented,
concentric metal-insulator-metal layers, previously with inner and
outer electrodes having the same height. The high sensitivity demon-
strated in chemical (Zhao et al., 2012) and electrochemical (Rizal et al.,
2013) detection indicated that the nanocoax might also hold promise
for biomolecular sensing. Herein, we show how our novel fabrication,
wherein the inner metal is extended above the annulus, affords a high
density of biofunctionalization, greater sensitivity, and applicability for

https://doi.org/10.1016/j.bios.2019.03.045
Received 24 January 2019; Received in revised form 13 March 2019; Accepted 21 March 2019

⁎ Corresponding author.
E-mail address: naughton@bc.edu (M.J. Naughton).

1 These authors contributed equally to this work.

Biosensors and Bioelectronics 134 (2019) 83–89

Available online 22 March 2019
0956-5663/ © 2019 Elsevier B.V. All rights reserved.

T



on-chip biosensing not possible in earlier iterations of the nanocoax
structure (Archibald et al., 2015).

2. Materials and methods

2.1. Chemicals and reagents

Cholera toxin beta subunit antigen (CTX), ferrocenecarboxylic acid
(FCA), ethanol, ethylenediaminetetraacetic acid (EDTA), and glycerol
were purchased from Sigma-Aldrich (St. Louis, MO). Anti-cholera toxin
subunit B polyclonal and monoclonal antibodies and alkaline phos-
phatase- (ALP) conjugated antibody were obtained from Abnova
(Taipei, Taiwan). p-aminophenylphosphate (pAPP) was purchased from
Gold Biotechnology, Inc. (St. Louis, MO). The BluePhos phosphatase
substrate system was purchased from KPL (Gaithersburg, MD). Bovine
serum albumin (BSA), Tween-20, phosphate buffered saline (PBS), and
Tris base were obtained from Fisher Scientific (Pittsburgh, PA). Protein
G was purchased from Protein Mods (Madison, WI). The Innovacoat
gold nanoparticle 40 nm conjugation kit was obtained from Novus
Biologicals (Littleton, CO).

Shipley 1813 photoresist, MF-319 developer, Microposit 1165, LOR-
3B resist, and SU-8 were purchased from MicroChem Corp.
(Westborough, MA). Transetch-N and Cr 1020 etchants were purchased
from the Transene Company, Inc. (Danvers, MA). Epon resin 828 and
Epikure 3140 curing agent were obtained from Miller-Stephenson
Chemical Co. Inc. (Danbury, CT). Hydrogen peroxide (27%) and am-
monium hydroxide (28%) were procured from Alfa Aesar (Ward Hill,
MA).

2.2. Device structure and fabrication

A schematic of the fabrication process is shown in Fig. 1. The na-
nostructures were fabricated on a hexagonal array of conical Si pillars
with base diameter 400 nm, top diameter 200 nm, and pitch 1.3 µm
(Fig. 1a). Onto these pillars was sputter-deposited a photo-
lithographically-patterned, 10 nm-thick Ti adhesion layer followed by a
100 nm-thick Au layer. This TiAu layer forms macroscopic contact pads
(not shown) and what will become the cores of the coaxes, the latter
also functioning as electrochemical working electrodes (Fig. 1b). Next,
annuli of the coaxial structures were formed by depositing a 150 nm
thick insulating layer of Al2O3 by atomic layer deposition (ALD)
(Fig. 1c). The Al2O3 was removed by wet etching with phosphoric acid
(Transetch-N) from the regions above the macroscopic gold contacts in
order to enable electrical contact, though the Al2O3 is unchanged in the
pillar regions. Next, a photolithographically-patterned 110 nm-thick Cr
layer was deposited by sputtering in order to form additional macro-
scopic contacts (not shown) and what will become the coax shields that
will function as the electrochemical counter electrodes (Fig. 1d). Posi-
tive tone photoresist S1805 was then applied by spin coating at
2000 rpm for 45 s and soft-baked for 3min at 110 °C on a hotplate
(Fig. 1e). The thickness of the resist in the planar regions was ap-
proximately 150 nm less than the pillar heights, and the resist formed a
very thin layer on top of the pillar tops. A short 1.3 s UV flood exposure

of the resist provided a dose sufficient to expose only the region at the
pillar tops. Upon development in MF-319, the pillar tops became un-
covered (Fig. 1f). Etching in nitric acid / ceric ammonium nitrate
(chromium etchant 1020) removed the topmost Cr region. Subsequent
etching in phosphoric acid (Transetch-N) removed the topmost Al2O3

region (Fig. 1g). The Cr and Al2O3 etch processes were repeated to
further expose the inner Au electrode (Fig. 1h). This 2nd etch step re-
sults in the inner Au extending above the concentric Cr and Al2O3

layers, and the structure is thusly named the extended core coax (ECC).
The samples were rinsed with acetone, isopropanol, and deionized H2O
before drying with N2 gas after each photolithographic step, including
producing the final structure (Fig. 1i). In order to promote adhesion,
each of the Au, Cr, and Al2O3 deposition steps was preceded by treat-
ment in an O2 plasma at 400W, 270mTorr, and 50 SCCM O2 flowrate
for 1min (PVA Tepla PS-210). Each sample is fabricated on a 16mm ×
30mm Si substrate with 7 spatially and electrically separate regions
comprised of arrays of ECCs.

2.3. Characterization of nanostructures

ECC arrays were first tested for electrical integrity using a 6512
Electrometer (Keithley Instruments, Cleveland, OH). Resistance be-
tween the working and counter electrodes was measured, and any array
with a resistance less than 106 Ω was considered electrically shorted
and not used for further characterization. A scanning electron micro-
scope (SEM, JOEL 7001F, Peabody, MA) was used to collect structure
images, while another SEM (JEOL JCM 6000, Peabody, MA) was used
for energy-dispersive x-ray (EDX) analysis to confirm that the nanos-
tructure was composed of Si, Au, Al2O3 and Cr. Initial sensing cap-
abilities of ECCs were assessed by differential pulse voltammetry (DPV)
using a potentiostat (Gamry Instruments Interface 1000, Warminster,
PA). The gold core functioned as the working electrode (WE), while the
chrome shield was the counter electrode (CE). An external Pt wire
served as the reference electrode (RE). The current vs. applied potential
of the redox species FCA was measured, where the oxidation of 1mM
FCA in PBS (pH 7.4) is used as a benchmark assay for electrochemical
performance. FCA is a commonly-used redox species in electrochemical
sensing, which has been highly characterized (Stepnika, 2008). A po-
tential range from 0mV to 500mV was used in order to encompass the
FCA redox potential at 300mV. The potential step was 2mV, the pulse
amplitude was 50mV, the pulse width was 50ms, the pulse period was
100ms, and the equilibrium time was 10 s.

2.4. On-chip enzyme-linked immunosorbant assay (ELISA)

ECC sensing arrays were biofunctionalized using a thiolated protein
G diluted to 1mg/ml in tris buffered saline (TBS). Substrates prepared
as per Fig. 1 were incubated with protein G for 2 h at room temperature
with rocking, after which the chips were rinsed thoroughly 3x in TBS.
They were then incubated for 48 h at 4 °C with a primary anti-cholera
toxin polyclonal antibody diluted to 1mg/ml in 10mM HEPES. After
incubation, they were rinsed 3x in TBS with tween-20 (TBST), and
blocked for 1 h at room temperature using 5% bovine serum albumin

Fig. 1. Cross-sectional tilted schematic of pro-
cess steps that yield coaxial nanopillar arrays
with extended inner cores. (a) Si pillar array.
(b) Sputtered Au preceded by 10 nm Ti adhe-
sion layer. (c) ALD-deposited Al2O3. (d)
Sputtered Cr. (e) Spin coated photoresist. (f)
Developed resist after a short UV exposure
uncovering topmost region of pillars. (g) Wet
chemical etched Cr and Al2O3. (h) Further wet
etched Cr and Al2O3. (i) Resist dissolved and
rinsed away.
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(BSA) and 5% glycerol in TBST to prevent nonspecific binding to the
well. A range of concentrations of CTX (100 pg/ml – 10 μg/ml) was
prepared in 2% BSA/TBST, and incubated on the chip surfaces for 1 h at
room temperature. The chips were again rinsed 3x with TBST. A sec-
ondary anti-cholera toxin antibody was diluted to 50 ng/ml in 2% BSA/
TBST and was added to the chip surfaces for 1 h at room temperature,
after which the chips were washed 3x with TBST.

Anti-mouse IgG conjugated to ALP was added at a concentration of
2.7 μg/ml for 1 h at room temperature. The chip was washed 6x with
TBST and then 1mM pAPP was added to the chip surface and incubated
for 30min in the dark at room temperature. The reaction was termi-
nated with 20 μL of 50mM EDTA in TBS. The 4-aminophenol (4-AP)
generated in the reaction was oxidized directly on the sensing array via
DPV in a potential range of− 300–200mV (to encompass the oxidation
potential of 4-AP at −100mV), with a potential step of 2mV, a pulse
amplitude of 50mV, a pulse width of 50ms, a sample period of 100ms,
and an equilibrium time of 10 s. Titrations of cholera toxin were ana-
lyzed by overlapping DVP signals. Nonspecific peaks were subtracted
from all data points. Raw DPV signals were also subtracted to zero at
− 200mV to ensure that observed peak currents were accurate.

2.5. Off-chip electrochemical ELISA

Off-chip electrochemical ELISA assessments were carried out simi-
larly to on-chip, with the following modifications. A 96-well microtiter
plate was used in place of the gold chip surface for tethering of the
primary capture antibody. In order to facilitate binding to the plastic
microtiter plate, the primary antibody was diluted in 0.1M NaHCO3 for
2 h. The plate was then blocked overnight in 5% BSA in TBST. All
subsequent reagent applications (cholera toxin, secondary antibody,
tertiary antibody, and enzyme substrate) and wash steps were per-
formed in the microtiter plate as previously described. The final redox
product, 4-AP, was applied to the surface of the ECC for electrochemical
measurement. DPV settings were as previously described for 4-AP
redox.

2.6. Optical ELISA

Optical ELISAs were performed identically to the off-chip ELISA,
with the exception that for the last step, the BluePhos phosphatase
system replaced pAPP as the reaction substrate. Absorbance was mea-
sured spectroscopically at λ=600 nm on a SpectraMax M5 (Molecular
Devices, Sunnyvale, CA).

3. Results

3.1. Fabrication

SEM images of the structure at different steps of the fabrication
process are shown in Fig. 2a-f. Fig. 2g shows the final ECC structure at
x5 lower magnification than in Fig. 2f, while Fig. 2h shows a x150
lower magnification view of the final structure, with a wide enough
field of view to show the leads to the 250 μm-diameter sensing region.

Our work was motivated by an earlier generation nanocoax device
that was capable of CTX detection via electrochemical ELISA using an
off-chip strategy (Archibald et al., 2015). In that work, all steps of the
ELISA were performed in a standard 96-well microtiter plate, with only
the electrochemical detection carried out on the nanocoax array. The
arrangement of the nanoscale gap between the working and counter
electrodes precluded liquid exchange, preventing fully on-chip detec-
tion (i.e. the tethering of all sensing components to a chip surface).

To overcome this limitation, the gold core of the nanocoax reported
herein is extended above the chrome shield, resulting in the ECC as
described above. This retains the benefits of the coaxial architecture,
with its nanoscale proximity of the WE and CE and also allows for facile
reagent exchange. It also creates an unobstructed WE gold surface,

which introduces the possibility for biofunctionalization.
In developing the ECC architecture, a set of fabrication parameters

was identified to provide superior performance in response to FCA
oxidation relative to that in a previously reported nanocoaxial sensor
(Rizal et al., 2013). One focus was the size of the annulus gap, which is
the dielectric layer between the WE and CE. In order to function as a
nanogap electrode and allow for high sensitivity, as gauged by the
current response during electrochemical oxidation, the WE and CE must
be in nanoscale proximity. Previous non-ECC iterations fabricated with
sub-100 nm annulus gaps experienced inconsistent liquid exchange in

Fig. 2. SEMs of different stages and magnifications during the fabrication
process (30° tilt). (a) Si pillar array. (b) Sputtered Au preceded by 10 nm Ti
adhesion layer. (c) After ALD Al2O3 and sputtered Cr. (d) Spin coated, exposed
and developed photoresist uncovering topmost region of pillars. (e) After wet
chemical etched Cr and Al2O3 with resist removed. (f-h) After 2nd wet etched
Cr and Al2O3 with resist removed at different magnifications. Scale bar in (a) is
1 µm for images (a-f), 5 µm for (g), and 150 µm (h).
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washing steps, and also experienced relatively lower manufacturing
yield, possibly associated with electrical shorting caused by the size of
the gap. Because of a necessity to be able to wash the chips between
reagent incubation steps, as well as a desire for higher manufacturing
yield, an annulus gap of 150 nm was used for all ECC chips. Al2O3

thicknesses above 150 nm were not used in order to maintain the na-
nogap electrode proximity. The 100 nm thickness of the Au and Cr
layers was chosen to be thick enough for sufficient conductivity for
these electrodes, while thin enough to maintain the aspect ratio in the
pillar geometry.

We further explored a number of modifications at several steps in
fabrication parameters in order to develop the final protocol shown in
Figs. 1 and 2. For example, we explored fabricating devices on several
different-shaped silicon arrays (Supplementary information Fig. S1),
and identified a core electrode shape that provided both a high level of
reproducibility and a high manufacturing yield. We next focused on
modifications to the etching steps involved in forming the extended
core (Fig. 2e and f). The effects of all changes were gauged by FCA
redox performance and compared against the non-ECC devices and
planar Au electrodes, in order to maximize sensitivity. Computer si-
mulations performed in COMSOL Multiphysics were used to inform
design changes. As an example, Fig. 3a and b show the normalized
electric field distribution corresponding to different shield heights for
the nanocoax. The greater penetration of the Au WE into the high
electric field region suggested that extended core configurations would
facilitate higher current response and device sensitivity, which was
corroborated by FCA (1mM) redox data (Fig. 3c). Based on these
findings, we finalized our ECC architecture as a chip containing 7 in-
dividually-addressed sensing arrays, each array comprised of ~30,000
nanocoaxes connected in parallel. The measured electrochemical cur-
rent in response to 1mM FCA oxidation of these arrays demonstrated a
high level of experimental reproducibility i.e., ~9% variation in peak
current over 9 consecutive measurements (Supplementary information
Fig. S2a). This consistency was not achievable on previous nanocoaxes,
which exhibited a drop in peak FCA oxidation current in each sub-
sequent run until finally stabilizing at a significantly lower current
(likely because of liquid exchange issues) (Supplementary information
Fig. S2b). Variation in peak current between independently fabricated
ECCs is larger than that in repeated measurements on an individual
sensing region (Supplementary information, Fig. S2c). It should be
noted that this variation does not affect an individual region's viability
and that the important metric for detection is a region's response to 4-
AP redox, which falls in the nA range. Thus, to overcome any potential
issues resulting from the variability of individually fabricated chips, a
baseline of 1 μA current in response to FCA oxidation was established to
be the minimum acceptable performance. This corresponds to ~20 μA/
mm2 current density, which is also comparable to that used for the non-
ECC (Archibald et al., 2015).

Fig. 4a shows a comparison of the peak current density achieved on
3 sensing platforms: a simple planar electrode, the non-ECC, and the
ECC nanocoax. It is apparent from the results that the ECC represents a
significant improvement over its predecessor, as well as over simpler to
fabricate architectures lacking a nanogap.

3.2. ECCs as biosensors

3.2.1. Off-chip ELISA
After fabrication optimization and confirmation of electrochemical

function, ECCs were evaluated for their biosensing capabilities and
compared to the non-ECC version. Non-ECCs had previously been used
to detect CTX in an off-chip setup; in other words, all ELISA steps were
performed in a 96 well microtiter plate and only the final redox product
was applied to the chip surface for detection. As a baseline for com-
parison of the non-ECC and the ECC as biosensors, an off-chip elec-
trochemical ELISA was performed. CTX was chosen as the biomarker of
interest due to its clinical relevance and overall stability. The off-chip

ELISA was performed identically on the ECC and non-ECC, and in turn
was identical to a standard optical ELISA, with the exception of the
readout. For the electrochemical ELISA, pAPP was added as the enzy-
matic substrate as opposed to Bluephos for the optical readout. The

Fig. 3. Cross-sectional view of geometry with overlaid simulated electric field
norm for 1 V applied to coaxial terminals for the (a) high shield configuration
and (b) the low shield configuration (simulated in COMSOL). Inset linear color
scale ranges from 0 V/m (blue) to 2×105 V/m (red) and inset white scale bar is
1 µm. (c) DPV current response of oxidizing 1mM FCA comparing the two
shield configurations (3 runs each) shows that the electric field distribution of
the low shield results in a 4x relative increase in the current response, a metric
of sensitivity. (For interpretation of the references to color in this figure legend,
the reader is referred to the web version of this article).
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current response of the ECC off-chip ELISA (Fig. 4b) was superior to
that of the non-ECC (100 pg/ml vs. 2 ng/ml). The ECC demonstrated a
linear sensitivity range between 0.1 and 100 ng/ml. An optical ELISA
utilizing the same antibodies was capable of detecting as low as 1 ng/ml
of CTX, meaning the ECC outperformed this clinical standard. When
current density was taken into account, the ECC vastly outperformed
the non-ECC, as the ECC sensing area was significantly smaller than that
of the non-ECC (0.049mm2 vs. 1.8mm2) (Fig. 4c).

3.2.2. On-chip biofunctionalization
Protein G was utilized to facilitate antibody tethering to the ECC

surface. This is a bacterially-derived protein with a high affinity and

specificity for the Fc region of IgGs (Björck and Kronvall, 1984; Sjöbring
et al., 1991). For the purposes herein, it was modified with a thiol
group, in order to also facilitate binding with a gold surface (Pensa
et al., 2012). We first obtained visual (SEM) proof-of-concept of te-
thering by conjugating a 40 nm gold nanoparticle to our tertiary ELISA
antibody (Supplementary information Fig. S3). These results confirmed
biofunctionalization of the gold core of the ECC with an IgG. We next
sought to complete a full on-chip ELISA on the ECC. Our results de-
monstrate on-chip detection of CTX by an ECC functionalized with
protein G (Fig. 5).

4. Discussion

The ECC device was developed in response to architectural con-
straints that prevented adequate fluid exchange within the annulus of
the nanocoax. In order to enable on-chip biofunctionalization, we fab-
ricated the ECC to have a gold core that extended outside of the shield,
which would be highly available to reagents, and allow for easy
washing. The resulting ECC demonstrated a significant increase in
sensitivity to FCA redox compared to prior generations of nanocoax,
and to a planar control electrode.

The increase in current density, which nanocoax architectures ex-
hibit over planar electrodes, may be explained by the phenomenon of
redox cycling. Redox cycling occurs between nanogap electrodes,
where a species in oxidized at the WE, then reduced at the proximate
CE, where it can then rapidly diffuse back to the proximate WE to be
oxidized again (Wolfrum et al., 2016; White and McKelvey, 2018).
Improvement in signal can be obtained by decreasing the size of the
annulus gap that, in turn, may allow for faster redox cycling (Rizal
et al., 2013), though eliminating electrical shorting for sub-100 nm
annuli needs to be addressed. A simple planar gold electrode with
millimeter-to-centimeter scale distances between electrodes cannot
match the sensitivity because this cycling does not occur, and thus
sensitivity is dominated by the rate of reagent diffusion to the electrode
surface.

As both nanocoaxial architectures contain nanogap electrodes, the
increase in current density that the ECC exhibits over the non-ECC may
be explained by the ease of liquid exchange. In order to interact with
the WE it will be necessary for liquid reagents to diffuse into the

Fig. 4. Electrochemical comparisons of the ECC vs. planar and non-ECC ar-
chitectures. (a) The average current density resulting from the detection of the
oxidation of 1mM FCA is shown for a representative ECC array, a non-ECC
array and a planar gold electrode. (b) Current as a function of applied potential
for electrochemical ELISAs performed off-chip for CTX concentrations ranging
from 100 pg/ml to 10 μg/ml, analyzed on the ECC. All measurements were
made on the same ECC array to minimize variability. (c) Peak ELISA current
density as a function of CTX concentration, measured on an ECC chip and a non-
ECC chip, showing both increased response and lower limit-of-detection for the
ECC configuration. All error bars represent the standard deviation of 3 trials.

Fig. 5. Current response as a function of applied voltage for ECCs in on-chip
detection of CTX, using protein G to tether antibodies to the sensor surface.
Shown are one trial for each condition of 500 ng/ml (red, solid) and 100 ng/ml
(blue, dash) concentrations alongside a control sample with no CTX (green).
Each trial was performed on a separate array on the same ECC chip. Data were
subtracted to a baseline at −200mV to better show peak current. Deviations
from −100mV for the 4-AP oxidation peak are likely due to the use of a
pseudo-reference electrode. (For interpretation of the references to color in this
figure legend, the reader is referred to the web version of this article).
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annulus gap of the non-extended core nanocoax. In actuality, high
surface tension and morphology-induced hydrophobicity caused by the
size of the gap hindered this, and additionally made it difficult to wash
the chip surface for further reagent application. By contrast, the ECC
WE extends into the solution and so it may be easier for FCA and 4-AP
molecules to move from the bulk solution to the electrode surface to be
oxidized.

The ECC demonstrated a greater sensitivity toward CTX than an
optical ELISA, with the ECC detecting at 100 pg/ml in an off-chip
format vs. 1 ng/ml for optical. However, the ECC holds the potential to
be functionalized, allowing for all detection steps to be performed on a
miniaturized platform, making it a more portable and lower-cost al-
ternative to an optical ELISA. This is because the nanocoax device
achieves its sensitivity while requiring significantly less analyte (as
little as 10-5 as much) compared to macroscopic optical ELISAs, low-
ering the cost per assay. Based on this, we suggest the ECC is a pro-
mising architecture for further development toward fully on-chip bio-
marker detection. We have established preliminary on-chip detection,
but future experiments, including measuring a broader range of CTX
concentrations with the on-chip configuration, are needed to fully va-
lidate the ECC architecture as a clinically-viable candidate for a POC
diagnostic tool.

As it stands, however, the current device is competitive with na-
nogap devices reported in literature (Table 1). Once full on-chip cap-
abilities are confirmed, the ECC will represent a promising alternative
to simpler, planar nanogap-style electrodes because of the increase in
functionalizable surface area resulting from the number of coaxes in
each array, and their 3D architecture. We also believe that the protein G
biofunctionalization assay represents a much simpler method of anti-
body tethering than those frequently used in the literature, such as si-
lane or cysteamine functionalization.

Another important feature of the ECC is its amenability to repeated
use. The non-ECC chips exhibited signal degradation over the course of
several uses. Conversely, ECC chips maintained signal integrity with
less than 10% change in response over 9 runs, suggesting that the ECCs
are relatively stable structures. Taken together, these data confirm that
the ECC represents a significant improvement over the non-ECC ar-
chitecture. However, while we have demonstrated the ECC's capability
of consistent repeated use for measurements that are solely chemical
detection, e.g., in FCA and 4-AP tests, it is important to note that each
ECC sensing region is currently used for a single on-chip detection
assay. The regeneration of biosensing devices has shown promise for
enabling repeated use, thereby potentially reducing diagnostic costs,
although only a third of reported electrochemical biosensor studies
meet previously-reported criteria (Goode et al., 2015). To forgo this
problem, we made 7 separate submillimeter size sensing regions on an
individual sample, thereby achieving the same end-of-line benefit as
sample regeneration. Furthermore, the number of sensing regions could
be increased beyond 7, as each region is less than 0.1% of the active
sample area.

Lastly, in order for the benefits of such a biosensing device to be
relevant to diagnostic applications, it must be affordable in order to

meet the demands of the resource-limited areas where diseases like
cholera are most prevalent. Several aspects of the ECC facilitate this
criterion. The photolithographic processes involved in patterning each
layer are amenable to large wafer-scale throughput. The chemical wet
etching processes are high-throughput, while the chemicals are in-
expensive and can be reused for extended periods, given the nanoscopic
amount of material etched. Multiple sensing regions on a given chip, as
previously discussed, can further reduce a sample's cost per test. Si
pillar arrays used herein can be easily and inexpensively replicated in
polymer (e.g. SU8) by nanoimprint lithography (NIL). As an electro-
chemical sensor, detection using an ECC is performed with equipment
that is less expensive than that used in standard optical ELISA. As such,
further reduction of electrochemical equipment cost is possible by in-
corporation of inexpensive microcontroller units such as Arduino.

5. Conclusions

We have demonstrated that an extended core nanocoax is capable of
sensitive and repeatable detection of a target antigen in an off-chip
setup with a detection limit of 100 pg/ml, with preliminary data sug-
gesting it possesses utility as an on-chip electrochemical biosensor. We
have demonstrated that the ECC architecture is a viable and promising
alternative to the non-ECC nanocoax architecture. Future directions
may include examining more coax core pillar shapes to further improve
device sensitivity. We have demonstrated that the ECC fabrication is
comprised of processes and chemicals that are suitable for high-
throughput, and future works will target these advantages in order to
further decrease the cost per sample. Future works will also include the
fabrication of a more sophisticated chip housing that incorporates mi-
crofluidics and a portable analysis system in order to enable the ECC's
use for POC detection of infectious disease biomarkers, offering the
potential to meet the diagnostic needs of resource-limited areas.
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