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A B S T R A C T

Traditional methods for detection of metabolically-active bacterial cells, while effective, require several days to
complete. Development of sensitive electrical biosensors is highly desirable for rapid detection and counting of
pathogens in food, water, or clinical samples. Herein, we develop a highly-sensitive non-Faradaic impedance
sensor which detects metabolic activity of E. coli cells in a mere 1 μl of sample volume and without any sample
filtration/purification. The three dimensional (3D) interdigitated electrodes (IDEs) along with self-assembled
gold-nickel (Au-Ni) nanostructures significantly amplify the sensitivity by increasing the sensing area almost
three-fold. The developed microsystem is integrated with an agar-based growth medium and monitors the
metabolism of bacterial cells, enabling bacterial detection in approximately one hour after inoculation, i.e. in the
lag-phase. Incorporation of a secondary agar layer as a biocompatible passivation layer protects the IDEs from
potential Faradaic reactions and enhances sensitivity to modulation of the non-Faradaic impedance due to
cellular metabolism. The resultant label-free sensor is capable of selective identification of metabolizing cells (vs.
dead cells) across a wide linear range (10–1000 cells/μl). These results help pave the way for rapid antibacterial
susceptibility testing at the point-of-need, which is currently a major challenge in healthcare.

1. Introduction

Metabolic activity is a very important characteristic when analyzing
viability of bacterial cells, such as Escherichia coli (E. coli). E. coli is the
most common cause of urinary tract infections (UTI) in humans, and
cost> $2 billion in the United States during 2010 (Foxman, 2014). The
total number of bacterial cells, irrespective of their type, is usually an
indication of the quality of water, food, and clinical samples. Hence, an
analytical method that can detect live (more precisely, metabolizing)
cells at the point-of-need is highly desirable. The gold standard methods
(e.g. colony counting method) for indiscriminately quantifying live cells
are very sensitive and cost-effective. However, they suffer from long
incubation times (at least 24–72 h) which is required to reach a certain
threshold before the signal (usually optically/visually) can be detected.

Among different methods for quantifying live cells, impedance mi-
crobiology (IMB) is of particular interest due to cost-efficiency and
simple readout as these methods are readily compatible with integrated
circuit (IC) technology. IMB monitors the electrical characteristics of
bacterial culture medium changed as a result of the release of ionic
metabolites from live cells (Gómez-sjöberg et al., 2005). If the

impedance changes beyond a specific threshold, a positive signal is
detected. Impedimetric biosensors are used for various applications
including detection of DNA hybridization (Ebrahimi and Alam, 2015;
Kurkina et al., 2011; Xu et al., 2004), cell culturing (Ebrahimi and
Alam, 2017; Yang and Bashir, 2008), monitoring of cell migration
(Bajwa et al., 2013), on-chip probing of activation of bacterial ion
channels (Ebrahimi et al., 2018; Ebrahimi and Alam, 2016), and pa-
thogen detection (Mannoor et al., 2010; Sidhu et al., 2016).

Although they offer simple instrumentation and real-time analysis,
the detection time of the conventional IMB methods for enumerating
metabolizing cells can be very long. There is a logarithmic dependence
between the initial cell concentration and detection time, i.e. the lower
the initial cell concentration, the longer the detection time. For ex-
ample, detection of cells such as E. coli (one of the fastest growing
bacterial cells) with an initial concentration of 10 cells/μl takes at least
4 h to complete using conventional IMB methods (Gómez et al., 2002).
Moreover, most of the existing IMB methods require a change of the
testing medium (to minimize the background noise), and hence may not
comply with the standard methods in the industry (e.g. the colony
counting method (Balestra and Misaghi, 1997)). As such, it is highly
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desirable to develop a platform that combines the advantages of im-
pedance spectroscopy with colony counting method (Bajwa et al.,
2013).

In this work, we present a highly-sensitive impedimetric biochip
which detects metabolic activity of 10–103 cells/μl (equivalent to 104-
106 cells/ml) of E. coli cells in 1 μl of sample volume, in one hour. The
system comprises of two chips: a sensing chip and a seeding chip. The
sensing chip integrates two 3D IDEs with self-assembled gold-nickel
(Au-Ni) nanostructures to significantly enhance the sensitivity. The
seeding chip consists of a bilayer of agar gels: a thin passivation layer
(DI-agar) and a nutrient agar layer (BHI-agar) as the solid medium
necessary for in situ bacterial culture. The compact design of the in-
tegrated chip enables localized diffusion of the ions that are released
from cells as they metabolize. As a result, the detection time is sig-
nificantly reduced compared to the existing IMB reports, from several
hours to just one hour. Considering that the experimental setup and the
sensing platform can be manufactured inexpensively, this work can
open up new avenues for developing electronic platforms for rapid,
high-throughput analysis of bacterial susceptibility to antibacterial
treatment by integrating an array of antibiotic-containing agar pads.

2. Materials and methods

2.1. Fabrication of the sensing chip

Fabrication of the sensors starts with cleaning of glass slides in
piranha solution (4:1 – H2SO4:H2O2) for 30min to remove organic re-
sidues. After cleaning, a seed layer of Cr/Au – 10 nm/100 nm is de-
posited on the glass slides using electron-beam (e-beam) evaporation
method. In order to define the interdigitated patterns, we use standard
photolithography using photoresist SPR 220. Next, we electrodeposit Ni
in High Speed Nickel Sulfamate Plating Solution (Technic Co.) with
current density of ~ 6mA/cm2 for 125 min to get a ~ 10 μm thick layer.
The photoresist layer is then removed after completion of electro-
plating, followed by chemical wet etching of the seed layer of Cr/Au to
electrically separate the two IDEs. To enhance the surface roughness
(and hence, the effective sensor area), the patterned 3D Ni electrodes
are immersed in Bright Electroless Gold Plating Solution (Technic Co.)
at 65 °C, as recommended by the manufacturer. We have studied the
effect of the deposition time on the surface morphology and the surface
wettability using Atomic Force Microscopy (AFM) and contact angle
measurements, respectively.

2.2. Bacterial growth conditions and heat treatment

For this study, we used E. coli K12 which is one of the most-char-
acterized E. coli models with biosafety level 1 properties (EPA, 1997),
and there have been various reports on studying its antibiotic sus-
ceptibility (Nazemi et al., 2017; Creamer et al., 2017). From a frozen
stock of E. coli K12, a loop-full is resuspended in the Brain Heart In-
fusion (BHI) medium, followed by overnight aerobic incubation (in the
presence of oxygen) at 37 °C. Following serial dilution and plating on
nutrient agar and overnight incubation, a single colony is isolated and
inoculated in 5ml of BHI and grown overnight. 100 μl of this culture is
then inoculated into 10ml of BHI and grown overnight at 37 °C with
aeration (this is the initial culture). To prepare the working culture,
depending on the desired concentration (ρ), we mix the cell suspension
from the initial culture into fresh BHI in a microcentrifuge tube. To
prepare dead cells, a microcentrifuge tube containing live cells is heated
for 30min in a water bath preset to 80 °C. 1 μl of the working culture
(live or dead) with cell concentration of ρ is dropped onto the complete
chip, followed by incubation at 37 °C with aeration. After certain in-
cubation times, the impedance is measured.

2.3. Preparation of the seeding chip

The DI-agar and BHI-agar pads are prepared by mixing agar (from
BDH Co.) with deionized (DI) water and BHI broth, respectively. The
weight percentage (wt%) of agar in DI-agar and BHI-agar is 0.5% and
1.8%, respectively. After preparing the suspensions, the mixtures are
autoclaved at 121 °C for 15min. BHI-agar suspension is poured into a
sterile petri dish with a thickness of ~ 1mm. After solidification at
room temperature, the gels are kept at 4 °C until the experiments. In
order to prepare the sensing chip, the DI-agar is heated in a water bath
(at 75 °C) until it is completely molten. 20 μl of the molten DI-agar is
then dropped over the microelectrodes and allowed to solidify before
placing the seeding chip (i.e. BHI-agar pads). BHI-agar pads with area
of 2× 2mm2 are cut using sterile cover slips.

2.4. Non-Faradaic impedance characterization

After preparation of the bacterial samples, the impedance mea-
surements are carried out using an HP Agilent 4192A LF Impedance
Analyzer with an auto-balance bridge and 1m cable length. An AC
signal of 50mV is applied between the two IDEs and the frequency is
swept from 300 Hz to 2MHz, to understand how the impedance
( = −Z Z jZRe Im, where ZRe and ZIm are the real and imaginary part of the
complex impedance, respectively) of the system (including electrodes,
agar gels, and cells) changes in various frequency regimes. It should be
noted that compared to Faradaic impedance sensing, non-Faradaic
impedance measurement eliminates the need for applying a DC po-
tential and hence, significantly reduces the power consumption. In
addition, non-Faradaic measurements have the added benefit of not
requiring redox probes or a reference electrode (which are usually
challenging for miniaturization).

2.5. Electrochemical characterization of the electrode-agar interface

Cyclic voltammetry (CV) and electrochemical impedance spectro-
scopy (EIS) of bare IDEs (Ni and Au-Ni) and DI-agar (with wt% of 0.5%
and 1%) biochips are performed in potassium ferricyanide (5mM in
PBS, pH 7.2; from Sigma Aldrich Co.) as the redox probe. We utilize a
PalmSens4 potentiostat (PalmSens Co.) in a three-electrode configura-
tion (with Pt counter electrode and a Ag/AgCl reference electrode). The
data is collected using the proprietary PSTrace5 software. The CV and
EIS measure the Faradaic reactions in order to probe the interface
properties of the electrode-agar system. The EIS is performed by ap-
plying an AC signal of 10mV and a DC bias of 0.25 V. The frequency is
swept across a range from 10 mHz to 1MHz. For the CV measurements,
the voltage is swept at different scan rates from 50mV/s to 200mV/s in
the potential range of −0.2 to 0.7 V. For both CV and EIS measure-
ments, the contact pads of the sensor are covered with Kapton®, leaving
only the IDE regions exposed to the solution.

2.6. Surface and contact angle characterization

In order to evaluate the effect of Au deposition time on the electrode
surface roughness, four samples with different deposition times are
prepared: Sample 1 with bare electrodeposited Ni and without any
electroless Au deposition, Sample 2 with 5min of electroless Au de-
position, Sample 3 with 30min of electroless Au deposition, and Sample
4 with 60min of electroless Au deposition on top of Ni electrodes. By
increasing the deposition time for electroless gold on the device, the
amount of gold deposited increases which allows the size of the na-
nostructures of gold on the nickel electrodes to increase. We utilize a
Bruker Icon 1 Atomic Force Microscopy (AFM) tool to map the surface
profile and obtain the average roughness Ra for each of the four samples
over an area of 5 × 5 μm2. Contact angle measurements are carried out
by carefully placing a ~ 5 μl droplet of DI water on samples and ima-
ging the droplet profile at near 0° incidence angle using an optical
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camera (Amscope) mounted on a microscope (Leica SE6 Stereo Zoom).

3. Results and discussion

3.1. Understanding the parameters affecting the sensitivity

Fig. 1a illustrates the microfabrication process for the IDEs (i.e. the
sensing chip). Briefly, a seed layer of Cr/Au is deposited on a glass slide

by e-beam evaporation, followed by patterning of the IDEs using pho-
tolithography. Afterwards, the Ni layer (with thickness of h~10 μm) is
electrodeposited. After removing the photoresist and the seed layer, we
perform electroless deposition of gold. The final dimensions of the di-
gits are h~10 μm, width w~15 μm, length L~2mm, and inter-digit
spacing of d~35 μm. Fig. 1b and c show the AFM images and contact
angle images of the sensor surface before and after deposition of gold
nanostructures for durations of 0min, 5min, 30 min, and 60min,

Fig. 1. (a) Schematic of device fabrication: (1) glass slides are cleaned in piranha solution, (2) Cr/Au seed layer is deposited by e-beam evaporation, (3) photo-
lithography is used to define IDEs, (4) 3D Ni electrodes are electrodeposited followed by photoresist removal, (5) wet chemical etching is used to remove the seed
layer, and (6) Au is deposited using electroless deposition method. (b) Atomic force microscopy images of four samples with Au deposition time of: 0 min, 5min,
30min, and 60min, i.e. Samples 1–4, respectively. (c) Contact angle measurements on Samples 1–4.
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designated as Samples 1 through 4, respectively. The surface mor-
phology and wettability depend on the deposition time, as seen in
Fig. 1b and c. The surface roughness increases from ~ 58 nm to ~
109 nm with Au deposition time varying from 0min to 60min. The
contact angle increases from 93° for bare Ni surface (Sample 1) to 106°
after 5min of Au deposition (Sample 2) which can be attributed to the
formation of gold nanoclusters (see AFM images in Fig. 1b). However,
increasing the deposition time from 5min to 60min leads to a reduction
in the contact angle from 106° to 91°, even though the surface rough-
ness has increased. This could be due to the fact that as the deposition
time increases, the deposited gold forms microstructures, rather than
nanostructures (Fig. 1b). This, in turn, leads to a reduction of the hy-
drophobicity of the surface, i.e. reduction of the contact angle. Hence,
for the sensor fabrication, we deposit Au for 5min to achieve higher
hydrophobicity, which is important for controllable deposition of the
DI-agar solution over the IDEs and achieving repeatable geometries
from sample to sample (Ebrahimi et al., 2013).

The use of IDEs has become a commonplace for impedimetric bio-
chemical sensors (Varshney and Li, 2009; Thomas et al., 2004;
Ebrahimi et al., 2018). An IDE is comprised of a number of narrow,
parallel electrodes with alternating electrodes connected. Due to the
close spacing between the two IDEs (i.e. anode and cathode), they can
cycle analytes back and forth between the electrode digits easily
(Varshney and Li, 2009; Thomas et al., 2004). They also possess a re-
latively large surface area, making them very sensitive to minute
amounts of target species. Moreover, micrometer-scale IDEs (as used in
this work) enable slower depletion of the reactants compared to macro-
scale electrodes. This is due to the small spherical diffusion layer of
microelectrodes, which contrasts to the semi-infinite diffusion layer of
macroelectrodes (Min and Baeumner, 2004).

Here, Ni is chosen as the base electrode material due to its low cost
and feasible electrodeposition process. Also, Nickel is widely used in
coating industry due to its superior protection against corrosion (i.e.
Faradaic reactions) (Aperador Chaparro and Lopez, 2007). However,
Nickel has limited biocompatibility, making some potential applica-
tions, especially implantable devices, challenging (Bencko, 1983).
Nickel can also oxidize easily in ambient environments (Cempel and
Nikel, 2006). To address these challenges, we passivate the Ni IDEs with
self-assembled Au nanostructures using electroless deposition. Au is a
precious metal with an excellent biocompatibility (Shukla et al., 2005)
and highly resistant against chemical or oxidative reactions, hence a
suitable interface layer in electrochemical/electronic biosensors.

Compared to conventional IDEs with thin film electrodes, the 3D
nature of our design enhances the total surface area by ~ 3×, which is
further amplified by self-assembled Au nanostructures (an additional
51%). After the sensing chip is fabricated, we follow the experimental
steps summarized in Fig. 2a-f. Briefly, in order to passivate the IDEs (i.e.
the sensing chip) from potentially degrading Faradaic reactions, a thin
layer of molten DI-agar is deposited (see Section 2 for details). The
device is left at room temperature (RT) for the DI-agar gel to solidify.
Then, the agar growth medium (a gel pad of 1.8% BHI-agar medium) is
aligned and placed on IDEs, followed by deposition of 1 μl of sample
suspension (i.e. live cells in BHI, dead cells in BHI, or cell-free BHI
solution as control). The chip is then placed in the incubator and after
certain incubation times, the non-Faradaic impedance is measured and
compared with the control sample (the results discussed later). Before
discussing the sensing performance for detection of bacterial metabo-
lism, we will explain (i) how self-assembled Au nanostructures enhance
sensitivity and (ii) why a DI-agar layer is incorporated in the biochip.

(i) In order to explain the role of Au nanostructures in improving the
sensitivity, we performed CV analysis of the IDE electrodes before
and after electroless deposition of Au. As depicted in Fig. 3a, the
peak current, Ip (see arrows in Fig. 3a), increases significantly for
Au-Ni IDEs compared to bare Ni IDEs. The increase in Ip indicates a
larger available surface area according to the Randles-Sevcik

equation (at RT) (Brownson and Banks, 2014.):

= ×I An D C(2.68 10 ) ϑ ,p
5 3

2
1

2
1

2 (1)

where A is the electrode surface area, n is the number of electrons
participating in the redox, D is the diffusion coefficient, ϑ is the
scan rate, and C is the concentration of the analyte (here, the fer-
ricyanide redox probe). Assuming the only variable that changes
between the Ni IDE and the Au-Ni IDE is the surface area, A, we
estimate the surface area increases by 51%. The improvement of
peak current is consistent with increasing the surface roughness
obtained using AFM (see Fig. 1b). The Au-Ni IDE also demonstrates
a better anodic/cathodic peak current ratio when compared to the
bare Ni IDE, indicative of better electrochemical reversibility (see SI
(Supplementary information), Fig. S1). The peak oxidation currents
scale linearly with the square root of the scan rate for all config-
urations (bare Au-Ni, and Au-Ni with DI-agar gel). This indicates a
diffusion-limited process (see SI, Fig. S2).

(ii) To confirm the passivation properties of the DI-agar layer, we use
EIS with a Fe3+/Fe2+ redox probe (Fig. 3b). For non-Faradaic
impedance measurements, it is desirable to reduce, and ideally
eliminate, any Faradaic currents from contributing to the im-
pedance (Dak et al., 2014). To realize this, a DI-agar gel is deposited
onto the electrodes. Fig. 3b shows that the DI-agar gel limits charge
transfer at the electrodes. For our system, we use Randles circuit
model to analyze the charge transfer of Au-Ni IDE with and without
the DI-agar layer. We extract the charge-transfer resistance (Rct) by
fitting a semicircle to the EIS data in the Nyquist plots. The dia-
meter of this semicircle is the charge-transfer resistance (Zhang
et al., 2005; Bard and Faulkner, 2001). Rct values are shown for all
four electrode configurations. When compared to the bare Au-Ni
IDE, a 67% and 135% increase in Rct are observed in samples with
0.5% and 1% DI-agar passivation layers, respectively. These results
demonstrate that the addition of DI-agar causes a drastic reduction
in the Faradaic component of the current (consistent with the CV
data showing the near elimination of the anodic and cathodic
peaks; see SI, Fig. S3). It should be mentioned that although the 1%
DI-agar solution exhibits a greater charge transfer resistance, it can
become more difficult to deposit the molten gel solution quickly
without it solidifying in the pipette tip. It can also make diffusion of
ions from the bacteria more difficult, therefore prolonging the de-
tection time. As a result, 0.5% DI-agar gel is used for the rest of the
study, unless otherwise stated.

3.2. Diffusing metabolites modify the impedance

Fig. 4a shows the optical image of an array of four biochips. The
insets depict the IDEs before and after integration (bonding) with the
seeding BHI-agar pad. Fig. 4b demonstrates the circuit model for the
integrated system, including the IDEs, the passivation layer (DI-agar),
the bacterial culture layer (BHI-agar), and bacterial cells. The interface
between the IDEs and the medium is depicted by Zint which contains the
charge transfer resistance, Rct , the double layer capacitance, Cdl, and the
Warburg impedance, ZW , representing mass transport. ZW is dominant
at low frequencies and hence can be neglected in the frequency range
studied in this work. The medium, comprised of the stack of the BHI-
agar and the DI-agar layers, can be modeled as parallel combination of
dielectric capacitance, Cd, and the medium resistance, Rseries. At rela-
tively low frequencies (below 100 kHz), cells can be modeled as a re-
sistance, Rcell, which increases with cell density, ρ.

Live bacteria have an intact cell membrane with protein channels
that make the membrane semipermeable to diffusion of important so-
lutes, such as ions (Levina et al., 1999). On the other hand, dead cells
have a totally permeable cell membrane and can no longer control the
uptake or release of ions and other solutes. This causes the content of
the cell to leak through the cell wall and into the surrounding
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environment, resulting in a significant increase in the overall con-
ductance (or decrease in the impedance) compared to live cells
(Ebrahimi and Alam, 2016); see Fig. 5a and b comparing the impedance
magnitude, |Z|, and phase, θZ , as a function of frequency for live and
dead cells after 45min incubation. Compared to both live and dead
cells, the control sample (i.e. BHI broth) has the largest impedance,
which is consistent with the above discussion. The difference in ion-
concentration released by live vs. dead cells allows for the measurement
of cell concentration based on variations in the impedance of the sur-
rounding medium. At lower frequencies (102–103 Hz), |Z| of all three
samples is similar. This frequency regime is dominated primarily by
capacitive terms (mainly Cdl). As the frequency increases, resistive
components (Rseries and Rcell) start to dominate. In this frequency range,
we can distinguish |Z| of the three samples. As expected, the diffusion of
cytoplasmic species out of the heat-treated cells causes a large decrease
of |Z|, compared to the BHI control sample. A smaller decrease in im-
pedance can be seen in live samples, when compared to the BHI control,
which is due to semipermeable nature of the cell membrane.

In order to determine the detection time of the biochip, time-de-
pendent impedance measurements are performed with three different
concentrations (10, 100, 1000 cells/μl) using live and dead cells
(Fig. 6a). In order to quantify the relative change in the measured

signal, we define a normalized differential impedance as,

=

−

−

β
β

1

1
,

Z t
Z t

Z t
Z t0

| ( ) |
| ( ) |

| ( ) |
| ( ) |

BHI

BHI
0

0 (2)

where Z t( ) and Z t( )BHI are the impedance for a given sample and
BHI at time t , respectively. t0 is the initial measurement time (in this
work, =t0 15 min. A working frequency of 38 kHz is chosen to ensure
that the resistive components are dominant (see Fig. 5).

Fig. 6a plots β
β0

vs. time (t) for live and dead cells with concentration

of =ρ [10, 100, 1000] cells/μl. As cells metabolize in a nutritious en-
vironment, they uptake large molecules, such as glucose, and break
them down to smaller species, such as lactic acid, which are much more
conductive. As a result, Rseries decreases with time. This process starts
from the moment cells are in a new medium, i.e. live cells are meta-
bolizing even in the lag-phase although their population is fixed (Rolfe
et al., 2012). As cell size increases (starting in lag-phase), and even-
tually each cell divides into two identical daughter cells (in log-phase),
Rcell increases. As such, in our system, the maximum sensitivity is
achieved in the early stages of metabolism (within the first 60 min), as
observed in Fig. 6a for live cells. On the other hand, there is almost no

Fig. 2. Schematic of the experimental procedure: (a) drop-cast of 20 μl of molten DI-agar (the passivation layer) over the sensing chip, followed by (b) solidification
of the passivation gel layer at room temperature. (c) A gel pad of BHI-agar is aligned and placed over the IDEs, (d) followed by pipetting of 1 μl of the sample solution
with different cell concentration and/or viability. (e) The biochip is placed in a cell culture incubator and after specific incubation times (f) the non-Faradaic
impedance is measured.

Fig. 3. (a) Cyclic voltammetry comparing bare Ni (black) and Au-Ni (blue) IDEs. The arrow indicates the peak current (Ip). >
−I blue I black( ) ( )p

Au Ni
p
Ni indicating

enhancement of the overall surface area after deposition of Au nanostructures. (b) Nyquist plots of the four device configurations are shown, in order of increasing the
charge-transfer resistance, i.e. bare Au-Ni IDE (blue), bare Ni IDE (black), Au-Ni IDE with DI-agar 0.5% (red), and Au-Ni IDE with DI-agar 1% (green). Faradaic
reaction is reduced by the increase of the agar concentration. In these experiments, the solution contains 5 mM of potassium ferricyanide in PBS×1, pH 7.2. (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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Fig. 4. (a) Optical image of an array of four biochips; inset shows 3D Au-Ni IDEs before and after bonding/integration with the seeding chip (BHI-agar pad). (b)
Schematic of the biochip and the electrical circuit model (Zint : interfacial impedance, Rseries: medium resistance, Cd: dielectric capacitance, and Rcell: the resistance of
bacterial cells). Rseries decreases as cells metabolize and release metabolites. On the other hand, since live cells act as dielectric at working frequency of ~ 38 kHz, Rcell

increases as they multiply (in log-phase). An AC voltage of 50mV is applied and Z is measured at frequencies from 300 Hz to 2MHz.

Fig. 5. (a) Impedance magnitude, |Z|, and (b) phase, θZ , for BHI (control sample) and live and heat-killed (dead) cells with concentration of 10 cells/μl after 45min
incubation. Compared to live cells with semipermeable membrane, dead cells have totally permeable membranes which results in leakage of cytoplasmic content to
the medium. As such, impedance of dead cells is less than live cells.

Fig. 6. (a) Normalized differential impedance (β/β0 as defined in Eq. (2)) vs. time at working frequency of ~ 38 kHz, where medium resistance is dominant and the
impedance change is maximum. L: Live cells, D: Dead cells. The sample concentrations are ρ =10, 102, and 103 cells/μl. At least three replicates are measured for
each sample condition. The error bars represent standard error from the averaged values. In some cases, the error bars are even smaller than the symbol size which
demonstrate excellent robustness of the method. (b) The signal, S defined as the initial slope of β/β0. The sensor response is linear over concentration range 10–1000
cells/μl.
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signal change for dead cells due to the fact that after 15min (where
=β β0), much of the heat-treated cells’ cytoplasmic contents have al-

ready diffused out. As time increases, there is little change to the
measured impedance for the heat-treated cells (i.e. ≈

|Z t
Z t

|Z t
Z t

( ) |
| ( ) |

( ) |
| ( ) |BHI BHI

0
0

at all times), and the signal remains nearly constant.
Plotted in Fig. 6b is the sensor sensitivity (defined as ≡S the initial

slope of β
β0

in Fig. 6a). As shown, the sensor offers an excellent selective

response for differentiation of live, metabolizing E. coli cells, from non-
metabolizing cells with a linear response in a concentration range of
10–1000 cells/μl. It is worth noting that conventional methods detect
live bacterial cells as they enter the log- (or exponential) growth phase
when cellular population increases rapidly (Bajwa et al., 2013). How-
ever, due to the significantly enhanced sensitivity of nanotextured 3D
IDEs along with their close proximity to the metabolizing cells (due to
stacking the BHI-agar right on the sensor surface), the developed bio-
chip enables detection of cellular metabolism even in the lag-phase.

It should be noted that some pre-enrichment (e.g. initial culture) or
array-formatted analysis (e.g. high throughput analysis of at least
thousand pixels/sensors) may be required before being able to use the
developed sensor in real scenarios, especially for food and water sam-
ples where the FDA-approved detection limit is only 1–10 cfu (colony
forming unit)/ml (FDA, 2012). That said, the detection limit of the
sensor developed in this work is readily within the acceptable range for
application in early detection of urinary tract infection (UTI), where the
clinically-relevant concentration for diagnostics is on the order of 104

cfu/ml (Hooton and Stamm, 1997). In addition, the detection limit
reported in the present work is within the clinically-accepted con-
centration for determination of minimum inhibitory concentration
(MIC) in antibacterial susceptibility testing assays, where the relevant
concentration is on the order of 105 cfu/ml (Barth Reller et al., 2009).

4. Conclusion

In this work, we present a highly sensitive biochip for in situ de-
tection of bacterial metabolism in lag phase. The sensor measures non-
Faradaic impedance of 3D interdigitated microelectrodes integrated
with gel-based bacterial culture in a highly compact platform. The
designed 3D IDEs offer a significantly higher sensitivity compared to
conventional thin film-based IDEs by having ~ 3 times larger sensing
area, which is further augmented by incorporation of self-assembled
gold nanostructures. In addition, the sensor sensitivity in measuring
small changes of non-Faradaic impedance is enhanced by integrating a
thin agar layer (which is dielectric) as a passivation layer. Through
differential impedance calculations, E. coli concentrations of as low as
104 cells/ml, with a linear range of 104–106 cells/ml can be detected in
approximately 60min. This range is within the clinical requirement for
UTI diagnostics, where a detection limit of ~ 104 cfu/ml is required.
Moreover, the developed platform can potentially be integrated in rapid
antibacterial susceptibility testing, as the clinically-relevant cell con-
centration should be ~ 105 cfu/ml. Further device/material optimiza-
tion and integration of impedance sensing with array-formatted gel-
based platforms could open up new possibilities for rapid, high-
throughput pathogen detection, especially for food and water
screening, where much lower detection limits are required.
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