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ABSTRACT

Non-enzymatic glucose sensors outperform enzymatic ones in terms of cost, sensitivity, stability, and operating
duration. Though highly sensitive, it is still desirable to further improve the sensitivity of non-enzymatic glucose
sensors to detect a trace amount of glucose in sweat and other biofluids. Among the demonstrated effective
approaches using bimetals or 3D porous structures, the porous laser-induced graphene (LIG) on flexible polymers
showcases good conductivity and a simple fabrication process for the integration of sensing materials. The
uniform electroless plating of the nickel and gold layer on LIG electrodes demonstrates significantly enhanced
sensitivity and a large linear range for glucose sensing. The sensor with the porous LIG foam exhibits a high
sensitivity of 1080 pA mM ™! cm~2, whereas a further increased sensitivity of 3500 pA mM ! cm ™2 is obtained
with LIG fibers (LIGF). Impressively, a large linear range (0-30 mM) can be achieved by changing the bias
voltage from 0.5 to 0.1 V due to the Au coating. Because the existing non-enzymatic glucose sensors are limited
to use in basic solutions, their application in wearable electronics is elusive. In addition to the reduced
requirement for the basic solution, this work integrates a porous encapsulating reaction cavity containing alkali
solutions with a soft, skin-interfaced microfluidic component to provide integrated microfluidic non-enzymatic
glucose sensors for sweat sampling and glucose sensing. The accurate glucose measurements from the human
sweat and cell culture media showcase the practical utility, which opens up opportunities for the non-enzymatic
glucose sensors in wearable electronics.

1. Introduction

equipment setup and subject to the interference from movement and
temperature (van Enter and von Hauff, 2018). Because of the simplicity,

Diabetes poses a major health concern, so its monitoring and therapy
have been of high interest (Wang and Lee, 2015). Because the functional
recovery of insulin secretion in diabetes patients is challenging, it is
crucial to continuously monitor the blood glucose concentration for
timely treatment with the injection of artificially synthesized insulin.
Although noninvasive optical and spectroscopic measurements of
glucose have been explored (Amir et al., 2007; Koschinsky and Heine-
mann, 2001; Lee et al., 2018), they are associated with the expensive

electrochemical analysis (Dai et al., 2018; Kim et al., 2018; Lee et al.
2018, 2019; Muthuchamy et al, 2018), including the chro-
noamperometry (CA) (Lee et al., 2019) and differential pulse voltam-
metry (DPV) (Dai et al., 2018; Muthuchamy et al., 2018), has been
extensively employed in portable glucose sensors for daily monitoring
and clinical diagnostics. In the electrochemical setup, glucose is oxidized
by an oxidizer at the working electrode to give away electrons, leading
to current flow with a magnitude directly proportional to the glucose
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concentration. After obtaining the calibration curve in the glucose
concentration versus current density, the electrochemical glucose sensor
can be readily applied for use.

Both enzymatic and non-enzymatic glucose sensors have been widely
used for glucose measurements. Glucose oxidase (GOx), as a represen-
tative enzymatic oxidizer, degrades rapidly during use for several days
(Harris et al., 2013) even in mild conditions (e.g., the temperature of
<44 °C, pH of 2-8, and ambient humidity) (Toghill and Compton,
2010). In contrast, the non-enzymatic glucose sensors based on metals or
metal oxides showcase excellent stability, extended operating duration,
and extraordinarily harsh environment tolerance with measurements
independent from the temperature and humidity (Si et al., 2013; Zhu
et al., 2016).

Although the sensitivity of non-enzymatic glucose sensors is already
much higher than their enzymatic counterparts, it is still highly desir-
able to further improve the sensitivity for the detection of trace glucose
in sweat and other biofluids. As an alternative to innovations in nano-
materials (Baghayeri et al., 2018; Sehit and Altintas, 2020), novel 3D
structures (Liu et al., 2015; Sedaghat et al., 2020) with a high specific
surface area have been shown to improve the sensitivity of
non-enzymatic glucose sensors over their planar counterparts. The
commonly used method to create 3D structures explores the
surfactant-templated approach and hydrothermal reaction (Liu et al.,
2015). However, this method is complex with less controlled repeat-
ability from the hydrothermal reaction. Also, the rigid electrode and
high NaOH concentration are not suitable for wearable applications. As
a simple alternative fabrication method, sensing materials with binders
can be directly applied or electroplated on conductive porous substrates
(Ensafi et al., 2014; Gupta et al., 2019) to yield non-enzymatic glucose
sensors with 3D structures (Ling et al., 2018; Yang et al., 2020b).
However, the use of binders reduces the catalytic activity of sensing
materials to compromise the performance. As a solution to this issue,
sensing materials have been directly plated on conductive substrates
with good adhesion and uniformity (Zhang et al. 2017, 2020a), but the
planar substrate results in limited sensitivity. Although
template-assisted electroplating leads to the formation of nanowires
(Gupta et al., 2019), electroplating on the substrates with 3D structures
(Ensafi et al., 2014) is limited to a few available porous conductive
substrates (Davoodi et al., 2020; Pang et al., 2016).

The recently emerged laser-induced graphene (LIG) with porous
structures, decent conductivity, and electrochemical stability appears to
provide an excellent platform for electrochemical sensing applications
(Tehrani and Bavarian, 2016; Yang et al., 2020c; Yoon et al., 2020;
Zhang et al., 2020c). Compared to the widely used 3D graphene grown
on a porous template or laser-induced metal or metal oxide (such as
nickel, gold, and copper) (Khairullina et al., 2018; Narayanan and
Slaughter, 2018; Sedaghat et al., 2020), the laser scribing process on a
commercially available polyimide thin film can easily and rapidly pro-
gram LIG patterns with different morphologies at a low cost for flexi-
ble/wearable devices (Sun et al., 2018; Yang et al., 2020c). Although
LIG electrodes with electroplated metals have been leveraged for
non-enzymatic glucose sensors (Tehrani and Bavarian, 2016; Zhu et al.,
2021), electroplating is only suitable for large LIG electrodes due to the
limited conductivity. The limited and anisotropic conductivity in the
porous 3D structure also leads to a long electroplating time and
nonuniform electroplated layers. In addition, clamping to electrodes
during electroplating may easily lead to the falling-off of LIG, leading to
a failure of electroplating (Zahed et al., 2020). Efforts have been devoted
to increasing the conductivity and mechanical robustness of LIG, e.g.,
spray coating a layer of conductive polymer (PEDOT:PSS) as a binder
(Zahed et al., 2020). However, the PEDOT:PSS layer negatively affects
the porous structure to result in low coverage of sensing metals for
reduced sensitivity.

This work reports a uniform metal (e.g., Ni, or Ni/Au) coating pro-
cess on the porous LIG with electroless plating for excellent glucose
sensing performance. The electroless plated Au layer further mitigates
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the potential allergic reaction in certain patient populations (dos Santos
et al., 2013; Menné and Nieboer, 1989). The resulting glucose sensor
with LIG foams shows a high sensitivity of 1080 pA mM ! cm 2,
whereas the one with LIG fibers further improves the sensitivity to 3500
pA mM~! em™2 The additional Au layer also enables a large linear
sensing range (0-30 mM) under a small bias voltage (0.1 V). More
importantly, the demonstrated non-enzymatic glucose sensors in the
literature reports all have to be used in basic solutions, which prevent
them from practical wearable applications as their enzymatic counter-
parts (Yu et al., 2020). Efforts to address this challenge include the use of
an applied bias voltage work to increase the local pH and provide a basic
environment from proton reduction reaction for non-enzymatic glucose
sensing (Zhu et al. 2018, 2019). However, this strategy involves the
generation of hydrogen bubbles and does not have sweat sampling ca-
pabilities. In addition to a lower required basic solution, this work
innovatively integrates the 3D porous non-enzymatic glucose sensor
with a microfluidic component and a replaceable basic solution in the
reaction cavity for highly efficient sweat sampling and real-time glucose
sensing.

2. Materials and methods
2.1. Materials

Polyimide (PI) thin films with a thickness of 50 pm (Kapton® HN
Film) were purchased from CS Hyde company. Nickel (RTM Kit) and
gold (Immersion Gold CF) electroless plating precursors were purchased
from Transene company. Silicone polymers, including Ecoflex 00-50
and Sylagrd 184, were purchased from Smooth-On and Dow Corning.
Heptane to dilute Ecoflex, polyvinylpyrrolidone (PVP) for surface
treatment, and polyaniline (PANI) for the pH measurement was pur-
chased from Sigma-Aldrich. All chemicals were used without further
purification. The cell culture media, including DMEM (11965092) and
RPMI (11875119), were purchased from Thermo Fisher Scientific.
Another customized cell culture medium composed of salts, amino acids,
glucose, and cell-secreted factors, L7, was used to culture human
pluripotent stem cells for 24 h before the measurement.

2.2. Fabrication of flexible LIG electrodes

PI film (thickness of 50 pm) was first rinsed with ethanol and distill
(DI) water. After drying in the air, it was attached to an Ecoflex-coated
silicon wafer for laser scribing. The flexible conductive LIG electrodes
with programmable shapes in the form of foams or fibers were created
by a CO, laser (VLS2.30, Universal Laser Systems, Inc. VLS2.3) with
dual-modes (i.e., raster and vector modes). The LIG foams on PI were
obtained using the raster mode with optimized settings: 10.5% of the
maximum power, 11% of the maximum speed, 1000 PPI, and an image
density of 6. The LIG fibers (LIGF) on PI were prepared by the same laser
system with a different set of setting parameters: 25% of the maximum
power, 20% of the maximum speed, 100 PPI, and an image density of 2.
After a vector cutting cycle (4% of the maximum power, 7% of the
maximum speed, and 1000 PPI) to cut along the pattern outline, removal
of the excessive PI outside the pattern completes the fabrication of LIG
foam or fiber electrodes.

3. Results and discussion
3.1. LIG electrodes with electroless plated Ni and Au layers

As discussed in the Materials and Methods section, the Au/Ni/LIG
WE is combined with the Nafion/AgCl/Ag/LIG RE and LIG CE electrodes
in a three-electrode configuration to yield the non-enzymatic glucose
sensor (Fig. 1a). Briefly, the commercial thin PI films are first converted
into LIG electrodes by a simple laser scribing process. After Ag coating
on the LIG electrode surface and immersion in the FeCls solution for



J. Zhu et al. Biosensors and Bioelectronics 193 (2021) 113606

=

.. CO, laser
“

IG

Intensity (a.u.)

01500 2000 2500 3000
Raman shift (cm™)

Fig. 1. Non-enzymatic glucose sensors based on laser-induced graphene (LIG) and electroless plating of Ni/Au. (a) Fabrication process of the non-enzymatic
glucose sensor starts with (i) laser scribing of the commercial polyimide (PI) film to prepare flexible LIG electrodes. Electroless plating of (ii) Ni and (iii) another
layer of Au on LIG electrodes. (iv) Assembly of the as-fabricated working, reference, and counter electrodes (i.e., WE/RE/CE) completes the fabrication of the flexible
compact glucose sensor. (b) Schematic illustration to show the integration of the glucose sensor with a porous encapsulating reaction cavity for an encapsulated
wearable non-enzymatic glucose sensor. (¢) Raman spectrum of the LIG and PI. Scanning electron microscope (SEM) images of (d) the LIG, (e) Ni_1/LIG, (f) Au_1/
Ni_1/LIG, (g) Ni_3/LIG, and (h) Au_1/Ni_3/LIG WE (top view). The scale bar is 10 pm.
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chlorination, coating another layer of Nafion to get rid of the influence
of chloride ions in the solution (Lim et al., 2020) on the obtained elec-
trode completes the fabrication of the Nafion/AgCl/Ag/LIG RE (Fig. S1).
The potential measurement of the resulting RE only shows a ~4 mV
variation for 24 h even when immersed in PBS solutions with 0.1 M
NaCl. A small variation of ~13 mV was observed for 30 days’ mea-
surement (Fig. S2), indicating the long-term stability for electrochemical
applications (Lim et al., 2020). The Au/Ni/LIG WE is obtained by
electroless plating of Ni and Au on LIG electrodes in commercial pre-
cursor solutions. After integrating the Au/Ni/LIG WE with the RE and
CE, the compact glucose sensor can be encapsulated by a porous
encapsulating reaction cavity (Fig. S3) for on-body wearable applica-
tions (Fig. 1b).

Before the electrochemical characterization of the integrated glucose
sensor, the performance of individual electrodes is demonstrated and
tested first. The Raman spectrum with three characteristic peaks (D peak
at 1350 cm ™!, G peak at 1580 cm ™!, and 2D peak at 2700 cm™!) and the
ratio of the 2D to G peak of ca. 0.48 confirms the existence of multi-
layered graphene with some defects (Beams et al., 2015; Ferrari and
Basko, 2013) (Fig. 1c). These defects possibly originate from oxidation
during the laser scribing without an inert gas environment. The small
intensity ratio (~0.5, Fig. 1¢) of the D to G peak implies a relatively high
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quality of the porous 3D graphene foam with a pore size of around 1-5
pm (Fig. 1d). In contrast, these characteristics are not observed in the
Raman spectrum of the PI, indicating the successful conversion of the PI
to LIG by laser scribing. Although the obtained LIG with good conduc-
tivity (sheet resistance of ~25 Q/[] or conductivity of ~2000 S/m) is
sufficient for capacitors (Peng et al., 2015) and gas sensing platforms
(Stanford et al., 2019; Yang et al., 2020a), it is still challenging to
electroplate a uniform layer of sensing materials on the porous LIG
electrodes (Zahed et al., 2020). In fact, electroplating of nickel prefer-
entially takes place at the LIG/solution interface, leaving the solution
immersed LIG unplated (Fig. S4). Also, LIG flakes near the clamp often
fall off during electroplating to result in failed plating processes. To
address these challenges, we exploit the electroless plating to uniformly
deposit a thin layer of Ni on the porous LIG electrode, where the
thickness of the Ni layer is well controlled by the plating time. The color
of LIG changes from black to grey with Ni coatings. With electroless
plating of 1 min, the LIG foam is uniformly covered by a Ni layer without
altering or blocking the porous structure (Fig. le and Fig. S5a). The
structure with well-preserved porosity ensures a high specific surface
area for fast diffusion of sampling solutions to result in a fast response
and high sensitivity. When the plating time is increased to 3 min
(Fig. 1g), the Ni layer gets thicker and almost blocks the porous structure
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Fig. 2. Materials characterization of different WEs. (a) X-ray diffraction (XRD) and (b) X-ray photoelectron spectroscopy (XPS) measurements of the LIG, Ni_1/
LIG, and Au_1/Ni_1/LIG WEs. (c) Scanning transmission electron microscopy (STEM) combined with energy-dispersive X-ray spectroscopy (EDS) characterization of

the Au_1/Ni_1/LIG WE.
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(Fig. S5¢). Though it is difficult to directly measure the thickness of the foam are well maintained, as observed by SEM characterizations
Ni layer on the highly porous 3D LIG foam, the comparison in the pore (Fig. S6). The influence of Ni thickness on the electrochemical sensing
size of the same LIG foam before and after electroless plating provides a performance was investigated in the following part. Because some
good estimate of its thickness. As the pore size decreases from ~1.5 to subjects have a nickel allergy, another Au layer is then electroless plated

0.3 pum after plating of 1 min, the thickness of the Ni layer is estimated to for 1 min on the Ni/LIG surface to minimize this side effect (Fig. 1f and
be ~0.6 pm. The Ni layer nearly blocks the porous structure after plating h). Because Au is also sensitive to glucose (Cheng et al., 2010; Qiu and
for 3 min, indicating a thickness of ~0.75 pm. When the electroplating Huang, 2010; Shen et al., 2019b), the Au/Ni/LIG WE is expected to
time of Ni is reduced to 10 or 30 s, the porous structures of the 3D LIG maintain high sensitivity as well. The electroless plating of Au is a very
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Fig. 3. Electrochemical characterization and glucose sensing performance of different WEs. (a) Cyclic voltammetry (CV) curves of four different WEs in 0.05
M NaOH solutions with a scan rate of 50 mV/s. (b) Chrono amperometry response of the Ni_1/LIG WE with successive addition of glucose into gently stirred 0.05 M
NaOH solutions under the applied potential of 0.45, 0.50, and 0.55 V. Chrono amperometry response of WEs with different (¢) Ni and (e) Au plating time under an
applied potential of 0.50 V in 0.05 M NaOH solutions. The linear range is defined by R*> > 0.99. Inset shows the linear fitting and regression equation of WEs in
glucose sensing. The linear regression coefficients are 0.990, 0.993 and 0.991 for curves in (c), and 0.994, 0.991, 0.992, 0.991 for curves in (d). Electrochemical

impedance spectroscopy (EIS) measurements of WEs with a different (d) Ni and (f) Au plating time in 0.05 M NaOH solutions. The slop of the dashed line in (d)
indicates the diffusion rate of electrodes, which is directly related to the porous structure.
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slow and self-limiting process. According to the datasheet, the thickness
of Au after electroless plating of 1 min is ca. 40 nm. The successful
deposition of Ni and Au on the LIG is confirmed by X-ray diffraction
(XRD) (Fig. 2a) and X-ray photoelectron spectroscopy (XPS) (Fig. 2b).
The XPS results also reveal the existence of O elements from the
oxidation of LIG and the electroplating precursor. The scanning trans-
mission electron microscopy (STEM) combined with energy-dispersive
X-ray spectroscopy (EDS) further reveals a conformal Ni coating on
the LIG, followed by a thin Au layer on the surface of the Ni layer
(Fig. 2¢). The presence of sodium and phosphorus atoms results from the
electrolyte residual and the Ni electroless plating according to 2Ni?* +
8H,P0O, ™ + 2H,0 — 2Nig (s) + 6HoPO3™ + 2H' + 2 P (s) + 3H, (g). It is
worth noting that the impurities (with the atomic weight shown in
Table S1) in the fabricated glucose sensor do not affect glucose sensing
performance. Additionally, Fourier-transform infrared spectroscopy
(FTIR) has been carried out to verify the non-existence of the organic
functional group on Ni or Au after electroless plating (Fig. S7), indi-
cating that the glucose sensing may solely arise from the metal element.
The Ni_1/LIG WE with a different thickness of the Au layer is studied in
the following experiment: Ni_1/LIG, Au_1/Ni_1/LIG, Au_2/Ni_1/LIG,
and Au_3/Ni_1/LIG (the number after Au and Ni indicates the plating
time in min). Different from the substrate-assisted electroless deposition
based on a galvanic displacement reaction, where the adopted Zn sub-
strate has a redox potential than Cu ions in the solution (Zhang et al.,
2020c), the electroless plating of Ni and Au adopted in this work doesn’t
need another assistant electrode. Due to the contrast of roughness be-
tween LIG and PI, Ni electroless plating prefers to take place on LIG,
eliminating the need for masks to define the electroplating region.

Without Au layers, the cyclic voltammetry (CV) curves of Ni/LIG
electrodes (both 1 and 3 min) reveal a single peak at ~ 0.5 V (and —0.25
V) in the forward (and reverse) scan, which corresponds to the oxidation
(and reduction) of Ni (Fig. 3a). In a basic solution under a positive bias
voltage, Ni(OH), with Ni (II) arises from the oxidation of Ni anodes (Lu
et al., 2009; Sattar and Conway, 1969). The sensing mechanism of Ni to
glucose relies on the following reaction (Gao et al., 2020):

Ni(OH), + OH —>NiO(OH) + H,0 + &~

NiO(OH) + Glucose—Ni(OH), + Glucolactone

The introduction of the Au layer leads to another peak at ~0.05 V in
the reverse scan (green arrows in Fig. 3a), which is consistent with
previous reports (Lim et al., 2020; Shen et al., 2019b) and corresponding
to the reduction of gold (Hovancova et al., 2019). The separate peak
from Au indicates its active role as a reactive material in the electro-
chemical reaction. The two clear peaks from the Ni and Au oxidations in
the forward scan are not evident because they merge to form a single
broad peak (see the red and pink curves at ~ 0.5 V in Fig. 3a). As the
scan rate is reduced from 50 to 20 mV/s, two distinct oxidation peaks
from the Ni and Au oxidations appear in the CV curve (Fig. S8). Because
Au is less sensitive than Ni to glucose (Wang et al., 2013), the Au/Ni/LIG
WE exhibits a reduced peak value in the CV curve. Next, the optimized
bias voltage is determined before it is used to obtain the calibration
curve of the current density versus glucose concentration by titration. By
using three different bias voltages around the peak (i.e., 0.45, 0.50, and
0.55 V) for the Ni_1/LIG WE, the chronoamperometry (CA) measure-
ment indicates the best sensitivity from a bias voltage of 0.55 V, fol-
lowed by 0.5 V and then 0.45 V (Fig. 3b). Because the Ni_1/LIG WE with
the applied bias voltage of 0.5 V exhibits the highest signal-noise-ratio,
the bias voltage of 0.5 V is chosen in the following CA measurement
unless specified otherwise. The effect of the bias voltage on the
Au_1/Ni_1/LIG electrode has also been investigated and the results
similar to the Ni_1/LIG electrode have been observed (Fig. S9).

The current at the WE increases with the successive addition of
glucose solutions until saturation and the response time for all four WEs
is within 3 s. In the plot of the current density versus glucose concen-
tration (Fig. 3c), the slope of the linear range (with R? > 0.99) gives the
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sensitivity, which gradually decreases with an increasing glucose con-
centration. Because of the preserved porous LIG structure, the WE with a
short deposition time of Ni shows higher sensitivity, e.g., 972 pA mM !
cm 2 for the Ni_1/LIG WE and 926 pA mM~! em~2 for the Ni_3/LIG WE.
Compared with other electrode materials such as Au or Pt, LIG is cost-
effective and can be easily patterned without masks. The porous 3D
LIG foam also provides the Ni/LIG electrode with improved sensitivity,
as compared with the Ni electrode without 3D structures (241 pA mM !
cm™2). Reducing the deposition time from 1 min to 30 s further leads to
an increased sensitivity of 1141 pA mM ™! cm~2 However, further
reducing the deposition time to 10 s leads to a much-decreased sensi-
tivity of 825 pA mM ! em 2 possibly due to the limited reactive mate-
rials (Fig. S10). These results indicate that there might exist an optimal
deposition time between 10 and 60 s for the highest sensitivity. As the Ni
plating time increases from 0.5 to 3 min, the circle radius in the elec-
trochemical impedance spectroscopy (EIS) reduces, indicating a
decreased charge-transfer resistance (Fig. 3d). However, the diffusion
rate indicated by the slope in the low-frequency range decreases with the
Ni plating duration because a thick Ni layer tends to block the pore in
LIG. As a result, the Ni_3/LIG WE has the lowest sensitivity due to the
reduced specific surface area. Take the Ni_1/LIG WE as an example, the
thickness of Au on the sensing performance is investigated (Fig. 3e). 1-
minute Au plating slightly improves the sensitivity from 972 pA mM
cm™2 in Ni_1/LIG to 1080 pA mM ! em™2 in Au_1/Ni_1/LIG WE. With
further increasing the Au plating time, the sensitivity decreases to 882
pA mM ! ecm™2 for the Au_2/Ni_1/LIG WE and 790 pA mM ! ecm ™2 for
the Au_3/Ni_1/LIG WE. The EIS measurement reveals that the Au
coating helps to reduce the charge transfer resistance (Fig. 3f). It is
anticipated that the introduction of a thin Au coating increases the
roughness of the Ni surface and further increases the specific surface
area. While Au plating of 1 min improves the diffusion rate, increasing
the plating time to 2 or 3 min exhibits an opposite effect due to the
reduced reactivity of Au than Ni. However, increasing the Au layer
thickness seems to block the porous structure, leading to a reduced
specific surface area. The linear range of the Au_1/Ni_1/LIG glucose
sensor is from 0 to ~4 mM with a detection limit of 1.5 uM calculated
from 3*SD/N, where SD and N is the standard deviation and slope of the
linear fitting of the calibration curve, respectively. The demonstrated
linear range is also able to cover the glucose concentration in sweat
(0.01-2 mM) (Bhide et al., 2018; Karpova et al., 2019), tears (0.5-5 mM)
(Sen and Sarin, 1980), and saliva (0.55-1.77 mM) (Bruen et al., 2017).
The Ni/LIG-based non-enzymatic glucose sensor exhibits a much wider
linear range, compared with previously reported Ni nanoparticle-based
ones (0.002-1.0 mM) (Cui et al., 2019). It is also noted that the
photo-reduction from the laser can be explored for laser-induced metals
(e.g., nickel, gold, and copper) (Khairullina et al., 2018; Narayanan and
Slaughter, 2018; Sedaghat et al., 2020) for non-enzymatic glucose
sensing, which will be investigated in the future. The Au_1/Ni_1/LIG WE
demonstrates a large linear range (0-30 mM) with a sensitivity of 89 pA
mM ! em 2 under a bias voltage of 0.1 V due to the Au (0)/Au (I) redox
(Fig. S11). The low bias voltage is beneficial for reduced power con-
sumption and improved selectivity by reduced (or eliminated) potential
oxidation of other species in the biofluids. The demonstrated sensitivity
under a bias voltage of 0.5 V is ~4 times of the non-enzymatic LIG
glucose sensor (247.3 pA mM ' em™?) (Zahed et al., 2020). After
replacing the porous LIG foam with LIG fiber (LIGF, Fig. S12a), the
Au/Ni_1/LIGF glucose sensor with the same dimensions exhibits an even
higher sensitivity of ~3500 pA mM ' cm™2 due to an increased specific
surface area (Duy et al., 2018) (Fig. S12b). A comprehensive comparison
of the sensing performance of the proposed and previously reported
glucose sensors are made in Table 1. In summary, the non-enzymatic LIG
glucose sensors demonstrated in this work compare favorably with the
previous reports on Ni-based (Cui et al., 2015; Sedaghat et al., 2020),
Au-based (Shen et al., 2019a; Wu et al., 2013; Zhong et al., 2017), and
bimetal-based (Fu et al., 2015; Gao et al., 2020; Lee et al., 2019; Qin
et al., 2017; Zhou et al., 2020) glucose sensors (Table 1). In particular,
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Table 1
Performance comparison of non-enzymatic glucose sensors.
Electrode Sensitivity (WA mM ! LOD Linear Range Response Real-time sample Measurement Reference
materials cm’z) (uM) time environment
NiO 30190 2 0.002-1.279 mM N/A no 0.1 M NaOH Cui et al. (2015)
microspheres
Porous NiO 5222 3.31 0.005-1.1 mM N/A no 0.1 M NaOH Sedaghat et al.
(2020)
Au foam N/A 0.14 0.0005-12 mM N/A human serum 0.3 M NaOH Shen et al. (2019a)
Au network N/A 0.2 1-500 pM <2s no 0.2 M NaOH Zhong et al. (2017)
Au/graphene 97.8 0.062 0-10 mM <3s no 0.1 M NaOH Wu et al. (2013)
Core-shell 23.17 15.7 0.5-10 mM <ls no 0.1 M NaOH Gao et al. (2020)
Au/Ni
Au/Ni/Al 1989 1 0.01-6.1 mM <5s serum 0.1 M NaOH Fu et al. (2015)
Au/Ni 30.58 5.84 0-30 mM <ls blood PBS (pH 7.4) Lee et al. (2019)
Au/Ni dendrite 4035 0.2 0-3 mM <3s no 0.1 M NaOH Zhou et al. (2020)
Ni/Au nanowire 3372 0.1 0.25-2 mM <5s no 0.2 M NaOH Qin et al. (2017)
Au/Ni/LIG 1200 (LIG) 1.5 0-~4 mM @ 0.5 V or 0-30 <1ls sweat, cell culture 0.05 M NaOH This work
(LIGF) 3500 (LIGF) mM media

@0.1V

The method used in the fabrication of glucose sensors cited in Table 1 (From top to bottom): Hydrothermal reaction, laser-induced oxidation, templated-assisted
electroplating, templated-assisted reduction, hydrothermal reaction, hydrothermal reaction, hydrothermal reaction, electroplating, electroplating, templated-assisted

electroplating.

the dual working modes (high sensitivity in a narrow linear range @ 0.1
V or low sensitivity in a wide linear range @ 0.5 V) can be of high in-
terest for a diverse range of applications. Although the Au/Ni/LIG
glucose sensor already showcases a favorable sensitivity and linear rang
in 0.05 M NaOH (pH = 12.5), a higher reaction activity can be achieved
in 0.1 M NaOH (pH = 13) (Fig. S13), which can further improve the
sensitivity and linear range (Yang et al., 2020b). To demonstrate the
applicability of the non-enzymatic glucose sensor in other basic solu-
tions, 0.05 M KOH has also been explored as a representative example,
which shows almost identical sensing performance (Fig. S14). Since the
sensitivity of the Au/Ni_1/LIG glucose sensor in the 0.05 M NaOH so-
lution is enough for measuring the glucose concentration in sweat, it is
used in the following demonstrations for safer wearable applications
unless otherwise specified. It should be noted that the other glucose
sensors with higher sensitivity such as the one with Ni plating of 30 s or
optimum time hold high potential to measure the breath glucose of ul-
tralow concentration. Despite the highest sensitivity in the LIGF-based
glucose sensor, the LIGFs with an average height of ~2 mm make
them prone to damage upon mechanical deformations. However, the
encapsulation or integration strategies can be explored to use
LIGF-based glucose sensors in future research.

3.2. Sensing performance at different pH levels and under deformations

Because of the biofluids with varied pH levels, it is of high interest to
investigate the sensing performance of non-enzymatic glucose sensors in
solutions with different pH values. As the alkaline solution provides the
hydroxide for the oxidation of glucose, the lower pH value from 12.5 to
10.5 in the basic solution results in a lower CV peak in the Au/Ni_1/LIG
glucose sensor (Fig. 4a). Further decreasing the pH from 10.5 to 10.0
leads to an almost vanishing CV peak (Fig. S15), implying a deactivated
electrochemical reaction. These results imply that non-enzymatic
glucose sensing is highly pH-dependent and it is essential to maintain
a suitable pH environment for high-performance sensing. As a result of
the lower CV peak, the sensitivity also significantly reduces from 952 to
98 pA mM ! cm 2 (Fig. 4b). The high sensitivity in less alkaline solu-
tions is possibly attributed to the additional noble metal of Au (Chin-
nadayyala et al., 2018; Jiang et al., 2014; Wang et al., 2008). Though the
requirement is significantly reduced in terms of the needed pH for the
proposed sensor, the non-enzymatic glucose sensors still cannot be
directly applied for measurements in human sweat that is near neutral or
moderately acidic. Therefore, this work explores a reaction cavity with a
porous Ecoflex containing 0.05 mM NaOH solutions to provide an
alkaline environment for the non-enzymatic glucose sensor. When the

porous encapsulating reaction cavity is filled with a solution with a pH
of 12.5 or 10.5, the measured CV curves still exhibit the “dual-peak” in
the reverse scan in the former and a smaller peak current in the latter
(Fig. 4c). The effectiveness of the porous encapsulating reaction cavity
with the above two different solutions (i.e., pH of 12.5 or 10.5) in the
encapsulated glucose sensor is demonstrated with the glucose mea-
surements. The measured sensitivity of the encapsulated glucose sensor
with the pH 12.5 (or 10.5) reaction cavity is 930 (or 95) pA-rnM’1 cm 2
(Fig. 4d), which is close to the value from the sensor in the corre-
sponding open pH solution (Fig. 4b). Therefore, the required alkaline
environment in the sampling solution can be effectively removed when
the encapsulated non-enzymatic glucose sensors are exploited.
Furthermore, the sweat of 1000 mL with a pH of 6 (Jadoon et al., 2015)
will need to be added into the porous encapsulating reaction cavity with
a pH of 12.5 to reduce its pH down to 10, which implies a longer
operation time of the encapsulated glucose sensor when used for
on-body wearable measurements.

Because of the intrinsically flexible property of the LIG WE/RE/CE
integrated on a soft PDMS substrate, the resulting flexible, the compact
glucose sensor is able to accommodate various bending deformations
without performance change in glucose sensing. Attaching the flexible
glucose sensor to a cylinder tube with a radius of 5 mm indeed show-
cases a small to negligible change in the response time, sensitivity, and
measurement range (Fig. 4e). Compare to the flat Au_1/Ni_1/LIG sensor
with a sensitivity of 1156 pA mM ™! em ™2, the measured sensitivity of
1123 pA mM ! ecm~2 only shows a 2% variation (Fig. 4f). The almost
unchanged sensitivity is also observed after the cyclic bending of 500
cycles to indicate cyclic stability of the sensor (blue curve, Fig. 4f). After
the sensor immersion in PBS solutions with 0.1 M NaCl for 30 days, the
Au_1/Ni_1/LIG WE exhibits almost unchanged sensitivity (magenta
curve, Fig. 4f).

3.3. Specificity of the flexible glucose sensor

Although the selectivity of the non-enzymatic glucose sensors is
often less than their enzymatic counterparts, our Au/Ni/LIG glucose
sensor still highlights excellent selectivity against various interferences.
Compared to the significant response to glucose (0.1 mM), little or
almost no response is observed to these interfering substances, including
0.02 mM ascorbic acid (AA), dopamine hydrochloride (DA), uric acid
(UA), acetaminophen, lactose, sucrose, fructose, lactate, urea, 1.5 mM
glycine, and 0.2 mM NaCl, KCl, CaCly, and NaHCOs3 solutions (Fig. 5a
and S16). The good specificity of the demonstrated glucose sensor in this
work allows it to accurately measure the glucose concentration of the
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sample with complex interfering substances. As a demonstration, the
non-enzymatic glucose sensor accurately measures the glucose concen-
tration in various cell culture media (Fig. 5b). Despite the complex
composites (e.g., salts, amino acids, glucose, and cell-secreted factors) in
the media for stem cell culture, the glucose concentrations of the off-the-
shelf cell culture media (DMEM and RPMI) measured by our glucose
sensor agrees with those from the commercial glucose sensors very well.

The measured glucose concentration of 21 mM (or 15 mM) in DMEM (or
RPMI) with the flexible glucose sensor is reasonably close to that
measured by the commercial one of 23 mM (or 13 mM). After the me-
dium of L7 is used for cell culture for 24 h, the glucose concentration of
15 mM measured with our flexible glucose sensor still agrees with the
value of 13 mM from the commercial one. Although the accuracy of the
flexible glucose sensor can be further enhanced with a more accurate
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titration process, the accuracy in measuring glucose concentration is
reasonably well in this proof-of-concept demonstration.

3.4. Integrated microfiuidic devices for on-body glucose measurements

In the encapsulated non-enzymatic glucose sensor, the porous
encapsulating reaction cavity not only retains NaOH solutions to provide
a relatively stable pH environment but also reduces evaporation while
allowing sweat diffusion. The volume of NaOH electrolytes was carefully
calibrated by micropipettes and kept fixed before glucose measure-
ments. Compared to the design with an open cavity, the porous cavity
reduces the evaporation rate by ~24% (Fig. S17). The reduced evapo-
ration can allow the glucose sensor to achieve long durability, which is
especially important for wearable applications. The porous Ecoflex
encapsulation also exhibits much-improved hydrophilicity, manifested
by a much-reduced contact angle of 37° compared to the solid slab of
128° (Fig. S18). As a result, the porous encapsulation facilitates the
diffusion of the sampling solution with spontaneous wicking. Further-
more, the porous encapsulation is able to retain the NaOH solution
within the cavity between it and the compact sensor, even when the
encapsulated glucose sensor is flipped over or deformed from bending
(Supplementary Video S1). Because of the well-maintained alkaline
environment, the encapsulated glucose sensor can still provide accurate
and reliable measurements of the glucose concentration in the prepared
solutions (Fig. S19). Compared to the measurement in an electro-
chemical cell, a longer response time is observed because of the diffusion
barrier. Perforation of the porous Ecoflex encapsulation with small
patterned holes by laser cutting reduces the response time from ~6 min
to 4 min while leaving the capability to retain the NaOH solution
unaltered.

Next, the on-body performance is demonstrated by attaching the
encapsulated glucose sensor to the arm of a healthy human subject after
a workout (rowing machine) with an additional adhesive layer of Sil-
bione (Fig. 5¢c and Supplementary Video S2). The glucose analysis in
sweat is first performed either 1 or 3 h after lunch from one healthy
human subject (Fig. 5d). The glucose concentration is obtained by
adding 0.05 mL sweat samples to the reactive cavity for measuring the
current response. The measurement indicates that the glucose concen-
tration in sweat decreases from 0.26 mM to 0.15 mM. Even though the
sweat volume is much smaller than that of the NaOH solution in the
reaction cavity, the long-term use with excessive sweat may change the
pH value of the NaOH solution. Therefore, it is crucial to monitor the pH
value in the reaction cavity or in the sweat to help inform the pH change
in the reaction cavity. Demonstration of this idea includes an additional
WE prepared by depositing polyaniline (PANI) on LIG. The pH value is
determined from the potential difference between the PANI/LIG WE and
the RE (Fig. S20). With the measured pH value in real-time, the glucose
concentration obtained from the calibration curve at the given pH value
provides a more accurate result (Lee et al., 2017). In fact, the sweat
glucose concentration of 0.29 mM (0.19 mM) calculated at the measured
pH level is indeed higher than that of 0.26 mM (0.15 mM) calculated at
the initial pH level, which agrees better with the measurements from the
commercial glucose sensors (Fig. 5f).

The wearable non-enzymatic glucose sensor can also be integrated
with a soft, skin-interfaced microfluidic component for real-time sweat
sampling and glucose analysis (Fig. 5e). The electrical connection from
the electrodes of the glucose sensor to the electrochemical station is
made with thin copper wires and silver paste, which is further encap-
sulated by a thin layer of PDMS to improve mechanical robustness
(Fig. S21). In the soft microfluidic component, the channel layer with a
glucose sensor is sandwiched between a top capping layer and an ad-
hesive layer that can pliably attach to the skin. The porous Ecoflex
containing the NaOH solution is replaceable in the reaction cavity to
provide the basic environment for glucose sensing. Because of the
improved hydrophilicity in the channel layer after the air plasma and
PVP treatment to create C—0O and -OH groups (Zhang et al., 2020b)
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(Fig. S22), the sweat can be spontaneously wicked into the microfluidic
channel for efficient sweat sampling. The inlet with a diameter of 3 mm
covers ~9 sweat glands, which also leads to rapid sweat collection from
the human arm or forehead. The average sweat flow rate of 0.4 uL/min
per sweat gland after a 7-min workout with a rowing machine is
calculated from the ratio of the channel volume (0.576 pL) between two
chamber markers (arc length of 4.8 mm) to the corresponding filling
time (9.6 s). The sweat volume collected into the reaction cavity is the
product of the sweat flow rate and the time interval. The glucose con-
centration in sweat measured by the integrated microfluidic glucose
sensor shows a consistent decrease from 0.31 to 0.20 mM, which agrees
with the measurements of 0.34 and 0.23 mM from the commercial
glucose sensor (Fig. 5f). The use of the replaceable porous Ecoflex in the
reaction cavity allows the replacement of the NaOH solution and
cleaning of the microfluidic channel with the distilled water, which
regenerates the integrated device for reuse. The regenerated device
provides the measured glucose concentrations of 0.30 mM and 0.21 mM,
which are consistent with measurements from the freshly prepared de-
vice. By exploiting multiple sensing chambers with hydrophobic valves
(Zhang et al., 2020b), the sweat can be sequentially collected into each
sensing chamber along the microfluidic channel at different times for
chrono-sampling and glucose sensing.

The paired t-test was performed to evaluate the measured data for
three cell media and two sweat samples (Table 2). Each sample was
measured three times. The t-value is calculated to be 0.58 and 1.35 for
the cell media and sweat sample, which is much smaller than the critical
value (1.76 or 2.02) at the 95% confidence level (n = 9 or 6). The
demonstrated non-enzymatic glucose sensor could also be integrated
with wireless measurement units to provide real-time monitoring
capabilities.

4. Conclusion

This work demonstrates the use of 3D porous LIG foams or fibers on a
flexible, thin-film substrate and electroless plating of Ni and Au for high-
performance non-enzymatic glucose sensors. With well-maintained
porosity in the 3D LIG foam scaffold, the resulting glucose sensor ex-
hibits high sensitivity. The Au/Ni co-plating imparts the glucose sensor
dual working modes: a higher sensitivity in a smaller linear range or a
relatively lower sensitivity in a larger linear range. The sensitivity is
further improved by 3.7 times when the LIG foams are replaced by fibers
in the working electrode. Before the use of the porous encapsulating
reaction cavity, the non-enzymatic glucose sensor still demonstrates a
higher sensitivity in the relatively mild basic solution (pH = 10) than
those in the strong basic solutions in the literature, attributing to the Au
layer. The demonstrated sensitivity and linear range compare favorably
with those in the literature reports. Moreover, the encapsulated glucose
sensor with a reaction cavity to provide a mildly alkaline environment
further removes the need for an alkaline sampling solution. The excep-
tional sensitivity and selectivity of the LIG-based non-enzymatic glucose
sensor ensure precise measurement of the glucose concentration in the
complex sampling solutions (e.g., stem cell culture media and human
sweat). In addition to robustly retain the mild NaOH solution inside the
reaction cavity even upon flipping over or severe deformations, the

Table 2
Measured glucose concentration in the cell culture media or sweat samples by
our LIG-based flexible glucose sensors and the commercial sensor.

Samples Au_1/Ni/LIG Commercial
Mean (SD) (mM)

L7 15.0 (+1.1) 13.2 (+1.2)

DMEM 21.1 (£1.5) 22.8 (£1.7)

RPMI 9.9 (+£0.71) 8.5 (+0.8)

Sweat 1 0.29 (£0.02) 0.34 (+0.04)

Sweat 2 0.19 (£0.01) 0.23 (+0.02)
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porous Ecoflex encapsulation with improved hydrophilic properties also
facilitates the diffusion of the sampling solutions and reduces the
evaporation for faster and more accurate measurements. By integrating
a microfluidic channel for sweat sampling, the non-enzymatic glucose
sensor can be used in a wearable form, providing an alternative way for
sweat glucose measurement. The integrated system consisting of the
encapsulated non-enzymatic glucose sensor with excellent on-body
performance and other wearable sensors, as well as wireless data
collection and communication units, opens up additional opportunities
in future wearable devices for biomedicine.
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