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ABSTRACT: Biosensor systems for wearable continuous monitoring are desired to
be developed into conformal patch platforms. However, developing such patches is
very challenging owing to the difficulty of imparting materials and components with
both high stretchability and high performance. Herein, we report a fully stretchable
microfluidics-integrated glucose sensor patch comprised of an omnidirectionally
stretchable nanoporous gold (NPG) electrochemical biosensor and a stretchable
passive microfluidic device. A highly electrocatalytic NPG electrode was formed on a
stress-absorbing 3D micropatterned polydimethylsiloxane (PDMS) substrate to confer
mechanical stretchability, high sensitivity, and durability in non-enzymatic glucose
detection. A thin, stretchable, and tough microfluidic device was made by embedding
stretchable cotton fabric as a capillary into a thin polyurethane nanofiber-reinforced
PDMS channel, enabling collection and passive, accurate delivery of sweat from skin
to the electrode surface, with excellent replacement capability. The integrated glucose
sensor patch demonstrated excellent ability to continuously and accurately monitor
the sweat glucose level.

KEYWORDS: stretchable electronics, non-enzymatic biosensor, nanoporous gold, stretchable microfluidic,
continuous glucose monitoring

1. INTRODUCTION

With the advent of smart healthcare, there has been a great
deal of recent attention to the possibility of developing
wearable biosensing systems that can monitor human
physiological parameters, such as metabolites1−16 and
ions,1−5,17−24 in body fluids, such as sweat,1−9,11,12,16−18,20−26

interstitial fluid,6,10 saliva,13,15 and wound fluid,14,19 in a
continuous and noninvasive way, or diagnose diseases. In
particular, wearable electrochemical biosensor patches for
continuous monitoring of sweat glucose level have been
considered as a promising approach for personal diabetes
management; such a technology could obviate the need for
inconvenient finger pricking to collect blood for portable
enzymatic glucometers.1−3 For user convenience in wearing an
electrochemical biosensor patch, conformal contact with soft
skin is preferred; this requires imparting mechanical stretch-
ability to materials and components.27 During the wearer’s
normal activities, alleviating motion-induced artifacts is
essential to avoid sensing signal interference. Straining of
materials and devices can complicate the sensor signal output
and degrade the reliability of the patch. Recently, there have
been reports on the use of stretchable tracks of Au
nanosheets28 or elastomeric composites,29,30 or the use of an

island-bridge approach using a flexible working electrode and
serpentine tracks.31 However, some limitations remain in
imparting multidirectional stretchability to the sensor itself and
ensuring electrical stability under repeated stretching cycles.2

Additional considerations are necessary in the realization of
a stretchable electrochemical biosensor patch to fulfill the
stability and accuracy requirements of monitoring operation.
Wearable electrochemical biosensors based on enzymes are
very sensitive to environmental conditions, such as temper-
ature and pH, and cannot recover their characteristics after
denaturation.32,33 Such limitations prevent long-term storage
ability or continuous monitoring functionality. Furthermore,
for continuous monitoring of sweat glucose level with high
accuracy over extended periods of time, there is a strong need
for integrating microfluidic devices for continuous replenish-
ment of sweat on the sensing electrode during measurement.
Imparting mechanical stretchability to microfluidic devices and
achieving minimal power consumption, thin form factor and
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durability are also of importance in designing for integration
with stretchable biosensors in a wearable platform.
Thus, to realize daily sweat glucose monitoring using

wearable electrochemical biosensors, many attributes, includ-
ing detection accuracy, sensitivity, stability, user convenience,
and cost-effectiveness, should be achieved, comparable to
those of the electrochemical biosensor strips used in blood
glucose meters. Wearable biosensor systems meeting all these
attributes are still far from a reality. Herein we present a fully
stretchable sweat glucose sensing patch integrated with a
highly sensitive stretchable non-enzymatic nanoporous gold
(NPG) biosensor and a stretchable, passive, and durable
capillary microfluidic device. The NPG glucose sensor showed
great sensitivity to glucose (253.4 μA cm−2 mM−1), selectivity
to interfering biomolecules, and mechanical durability, with no
degradation after 1000 cycles of stretching to 30% strain. The
fully stretchable integrated biosensor patch showed accurate
sample handling capability for more accurate detection in
wearable continuous glucose monitoring.

2. RESULTS AND DISCUSSION

2.1. Design of Stretchable Microfluidics-Integrated
Biosensor Patch. The fabricated fully stretchable micro-
fluidics-integrated biosensor patch attached on human body is
shown in Figure 1a. The sensor patch is well adjusted to skin
deformations of compression and stretching (Figure 1b).
Stretchable NPG was used as the working electrode of the
biosensor to allow sensitive non-enzymatic glucose sensing and
high selectivity in the presence of interfering species (Figure
1c). To impart multidirectional stretchability to the normally
very brittle NPG, an NPG working electrode together with an
Au counter and Ag/AgCl reference electrodes was formed
directly on a polydimethylsiloxane (PDMS) substrate in a
mogul pattern comprising curvilinearly connected bumps and

valleys for efficient stress absorption34 (Figure 1d). In addition,
we also developed a very thin, tough, and stretchable sample
handling device based on very thin PDMS, reinforced by
polyurethane nanofibers (PUNFs) (Figure 1e), and embedded
with cotton fabric as a capillary material. This fabric is
stretchable and has excellent capacity for liquid absorption and
capillary flow even in highly stretched conditions (Figure 1f).
We assembled the NPG electrochemical sensor and the
PUNF-reinforced microfluidic device to form a fully
stretchable microfluidics-integrated biosensor patch (Figure
1g).

2.2. Fundamental Properties of the NPG Electrode.
NPG was formed by means of dealloying of vacuum-deposited
Au:Ag alloys (∼300 nm in thickness) on a substrate of SiO2
wafer or 3D micropatterned PDMS (see details in Figure S1).
Structural investigation of NPG indicated increased pore size
of the nanoporous structure and decreased thickness with
increasing dealloying time (Figure S2). Chemical examination
showed that a trace amount of silver (∼0.92 wt %) remained in
the NPG even after 5 min of dealloying (Figure S3).
Electrochemical characterization showed that increasing the
dealloying time reduced the electrochemically active surface
area of the NPG, consistent with the observation of increased
pore size (Figure S4). Therefore, 5 min of dealloying is enough
to form an NPG electrode with small pores (∼30 nm) and
high surface area.

2.3. Performance of Stretchable Non-Enzymatic
Glucose Biosensor. A stretchable non-enzymatic glucose
sensor was fabricated on a mogul-patterned PDMS substrate
(Figure 2a) by means of direct formation of the gold patterns
for tracks/electrodes and subsequent dealloying (5 min) to
selectively form NPG and Ag/AgCl layers on the working and
reference electrode surfaces, respectively. We confirmed that
the NPG layer formed was uniform, with no significant
cracking in either the bump or the valley areas of the mogul-

Figure 1. Schematic of stretchable microfluidics-integrated biosensor patch. (a) Photograph of fabricated patch mounted on the human body. (b)
Photograph demonstrating conformality of the patch to human skin under compression or stretching. FE-SEM images of (c) NPG electrochemical
electrode (top view), (d) 3D micropatterned PDMS substrate, (e) PU nanofiber, and (f) stretchable cotton fabric. (g) Layered components in the
fully stretchable microfluidics-integrated biosensor patch.

ACS Applied Materials & Interfaces Research Article

DOI: 10.1021/acsami.9b00848
ACS Appl. Mater. Interfaces 2019, 11, 14567−14575

14568

http://pubs.acs.org/doi/suppl/10.1021/acsami.9b00848/suppl_file/am9b00848_si_001.pdf
http://pubs.acs.org/doi/suppl/10.1021/acsami.9b00848/suppl_file/am9b00848_si_001.pdf
http://pubs.acs.org/doi/suppl/10.1021/acsami.9b00848/suppl_file/am9b00848_si_001.pdf
http://pubs.acs.org/doi/suppl/10.1021/acsami.9b00848/suppl_file/am9b00848_si_001.pdf
http://dx.doi.org/10.1021/acsami.9b00848


patterned PDMS substrate (Figure 2b). The cyclic voltamme-
try (CV) response of the glucose sensor was measured using
various scan rates under stretching of the sensor in various
directions. The sensor showed good linearity of redox peak
magnitude versus scan rate (10−100 mV/s) and less than 10%
current change under multidirectional stretching (Figure. S5).
CV measurements conducted to identify the non-enzymatic
glucose oxidation of the fabricated glucose sensor showed two
oxidation peaks near −0.2 and 0 V during the positive potential
scan (Figure S6). The response current of the sensor was 4.6
times that of a flat gold electrode under equal conditions of
glucose concentration and working electrode area (2.25 mm2)
(Figure 2c). CV measurements were conducted over the
glucose concentration range of 0.01−1 mM (Figure 2d), which
covers the sweat glucose concentration range of both
hypoglycemic and hyperglycemic patients (0.02−0.6 mM);35

these showed sensitivity as high as 253.4 μA cm−2 mM−1 with
good reproducibility (Figure 2e) and excellent selectivity in the
presence of the strongly interfering biomolecules, ascorbic acid
and uric acid (Figure 2f). Tuning of the surface roughness and
surface area of the NPG electrode to enhance the glucose
signal over the interferent signals can be utilized to solve the

problem of selective detection of glucose in sweat. Glucose
molecules with sluggish reaction rate compared to other
interferent molecules can enter the rough surface more deeply
and interact with the whole electrode surface, whereas the
interferent molecules interact with the entrance area of the
electrode and depleted from the outermost surface of
electrode.36

To evaluate durability against mechanical deformations, we
performed various stretching tests at different strain levels and
with various numbers of stretching cycles. The CV response
and the calibration curves of the glucose sensor under various
applied strains of 0−30% (Figures S7 and 2g, respectively)
indicated no significant change in either sensitivity or absolute
current level throughout the entire strain range. Also, the CV
responses and current changes of the glucose sensor were
measured after the application of various numbers of stretching
cycles; the response current was quite stable throughout
continued cycling (Figure 2h). Moreover, after 1000 stretching
cycles to 30% strain, only a few cracks were generated and no
delamination of the NPG electrode was observed (Figure 2i).
Dependence of glucose oxidation upon pH and temperature
was also studied (Figure S8). The current signal changes

Figure 2. Fabrication and performance of stretchable non-enzymatic glucose sensor. (a) Optical images of fabricated sensor (with no microfluidic
channel) and of the device loaded onto a jig for electrochemical characterization. (b) FE-SEM images of NPG structure in bump (left) and valley
(right) of 3D micropatterned PDMS substrate. (c) CV responses of flat Au film (black) and NPG working electrode (red). The glucose sensing
signal of the NPG working electrode was enhanced by a factor of 4.6 compared to that of a flat gold electrode. (d) CV responses and (e) calibration
curve of the device under various glucose concentrations (0.01−1 mM). (f) CV responses of solutions of glucose only (0.01−1 mM) (black) and of
glucose solutions (0.01−1 mM), including interferents (AA: 10 μM; UA: 10 μM) (red). (g) Optical image of the stretchable glucose sensor (left)
and calibration curve with varying the elongation strain (0−30%) (right). (h) CV current response (left) and oxidation current signal (right) of the
glucose sensor after various numbers of stretching cycles (glucose: 300 μM; black line: 0 μM). (i) FE-SEM images of NPG working electrode
surfaces before (left) and after (right) cyclic stretching (1000 cycles at 30% strain).
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induced by static elongation, cyclic stretching, pH change, and
temperature change were recalculated as concentration change
ratios, and the relative errors that can be induced by these four
parameters were compared (Figure S9). The results showed
that the sensor signal depended only upon the pH of the
glucose solution.
2.4. Liquid-Driving Characteristics of Stretchable

Microfluidic Channel. As a stretchable capillary material, a
stretchable cotton fabric was used having a plain knit structure,
including bundles of cotton fibers 10 μm in diameter (Figure
3a). It could be seen that the fabric was hydrophilic (Figure
3b). Stretchability of cotton fabric strips of various widths (1−
3 mm) was investigated; the breaking points of the strips
except the 1 mm wide strip were over 120% their original
widths (Figure 3c). Bundles of fibers in strips under
mechanical stretching (0−60%) were pulled out and formed
gaps between the bundles, which became larger with increasing
elongation. Furthermore, the fabric structure was clearly
maintained under repeated deformation of 1000 stretching
cycles to 50% strain and recovered to its original structure after

release. For fabrication of a capillary microfluidic channel, the
stretchable cotton fabric was integrated into an elastomeric
PUNF-reinforced PDMS substrate. Because of the requirement
of a very thin microfluidic device for high conformality, the
bottom PDMS layer of the microfluidic device was reinforced
by embedding it with highly compliant PUNFs; the resulting
material maintained the stretchability of PDMS despite this
reinforcement (Figure 3d). The strain−stress curve of the
resulting PUNF-reinforced PDMS (∼90 μm) showed a higher
Young’s modulus (increased by a factor of up to about 13 at
high strain level) compared to that of a layer of unmodified
PDMS of the same thickness (Figure 3e). The PUNF-
reinforced PDMS had a strain-induced stiffening effect because
of the stiffer embedded PUNFs, resulting in a skin-like self-
limiting mechanical property.37,38 The excellent mechanical
properties of the nanocomposite PDMS allowed us to fabricate
soft microfluidic channels to be much thinner and more
stretchable but also tougher, which could improve their
conformal attachment to skin and allow more facile integration
with a sensor layer compared to a thick layer of bare PDMS.

Figure 3. Fluid flow characteristics of fabricated thin microfluidic channel based on stretchable cotton fabric as a capillary. (a) FE-SEM image of
cotton fabric. (b) Optical images of a 5 μL droplet of dyed deionized water on cotton fabric. (B, inset) Top-view optical image. (c) Optical images
(left) and elongation at break (right) of cotton fabrics of various widths. (d) FE-SEM image of the surface of PUNF-reinforced PDMS. (e) Stress−
strain curve of PUNF-reinforced PDMS used as a bottom substrate layer for fabrication of thin microfluidic channels. (f) Optical images (left) and
volumetric flow rate and fluid velocity (right) of straight microfluidic channels of various widths. For each straight channel, the inlet was supplied
with red dyed DI water at a rate of 0.05 mL/h by a syringe pump. In each test, the time elapsed was measured until the dye reached the distance of
1 cm from the inlet. (g) Optical images and (h) fluid velocities of straight microfluidic channel (1.5 mm width) under various applied strains (0−
30%). A syringe pump was used to supply dyed DI water to the inlet at a rate of 0.05 mL/h. The flow pattern was observed at every 5 mm interval
of flow distance under each stretching condition. (i) Optical images of the fabricated sample handling device during sequential replacement by
different dyed solutions and undyed water. The injection rate of each fluid used was 1.67 μL/min. (j) Measured and calculated filling times of the
sensing chamber (circular shape) in the sample handling device.
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Liquid flow characteristics of cotton fabric were investigated
of fabricated straight microfluidic channels of widths 1−3 mm,
each having one hole at each end of the channel as an inlet and
an outlet (left, Figure 3f). With increasing channel width, the
fluid velocity gradually decreased and the flow rate increased
(right, Figure 3f). These results were modeled well by the
Young−Laplace equation, which describes capillary action as a
function of the cross-sectional dimension of a capillary
channel.39−42 The liquid transport behavior was studied in
the stretchable microfluidic material having a channel 1.5 mm
in width under various stretching conditions of 0−30% (Figure
3g). The measured velocity of the flow increased linearly with
increasing elongation (Figure 3h). Table S1 lists the calculated
velocities. These results can be easily explained in terms of the
narrowing of the channel under stretching, in a manner
consistent with the observation of increasing velocity with
decreasing channel width (Figure 3g).
2.5. Characterization of Stretchable Fabric-Based

Sample Handling Device. On the basis of the character-
ization results of stretchable straight microfluidic channels, we
designed and fabricated a sample handling device for sweat
collecting and transporting purposes. For our sample handling
device, the filling time, which is the duration of flow required
to fill the whole area of the sensing chamber with green dyed
deionized (DI) water, was measured to be 16.15 min (Figure
3i) and theoretically calculated to be 16.5 min based on the
dimensions of the design (Figure 3j and Table S2). To confirm
the continuous replenishment of the sensing chamber by fresh
incoming fluid, dyed and pure DI water were sequentially
injected (Figure 3i). Following the initial filling of the sensing
chamber by green dyed water, red dyed water was immediately
used to fill the device, showing the same filling time used for
the green dyed water. Finally, flushing the device with pure DI
water washed out the red dyed water almost completely.
2.6. Performance of Stretchable Microfluidics-Inte-

grated Biosensor Patch. The fabricated stretchable micro-
fluidics-integrated biosensor patch and its specific scales are
shown in Figures 4a and S10, respectively. To evaluate the

wetting property of the electrodes in the biosensor patch, we
attached a PDMS well directly on the sensing chamber and
simply applied droplets of artificial sweat. Monitoring of the
open circuit potential gave the time at which the sensing
chamber was fully wetted (Figure S11). When wetting is not
sufficient, the sensor will generate a false signal; this represents
a serious hurdle to continuous monitoring.2 For this reason,
identification of wetting and maintenance of the solution
volume in the sensing chamber even during sample
replacement are critically important for continuous monitoring.
Therefore, we set the size and number of inlets by considering
the absorption rate of the fabric and the channel width to
maintain a constant solution volume in the chamber.
To evaluate the continuous glucose-sensing ability of the

biosensor patch, we carried out chronoamperometric (CA)
measurements (Figure 4b). After wetting of the sensing
chamber, artificial sweat samples containing 100, 500, and
1000 μM glucose were sequentially added; the signal increased
immediately but slowly, and then became saturated. We also
applied the artificial sweat samples in the order of decreasing
concentration, observing a decrease in the current signal with
decreasing glucose concentration. The linearity of the CA
signal of the patch showed almost the same sensitivities during
the application of increasing (57.56 μA cm−2 mM−1) or
decreasing glucose concentrations (57.24 μA cm−2 mM−1)
(Figure 4c). However, a glucose sensor without the sample
handling device showed different CA responses (Figure S12).
When increasing the glucose concentration, because of a
dilution effect by residual solution with lower glucose
concentration (Table S3), the current level was much lower
than expected. In contrast, when decreasing the glucose
concentration, the current level was much higher than
expected (Table S3) because of an enrichment effect by
residual solution with higher glucose concentration. Compar-
ison of the CA response currents clearly showed a
concentration hysteresis in the case of incomplete replacement
of the solutions because of solution mixing in the case of the
biosensor having a PDMS well, but no such hysteresis in the

Figure 4. Performance of stretchable microfluidics-integrated biosensor patch. (a) Optical images of the patch loaded onto a jig for measurement
(top) and of the patch showing its front and backside (bottom). There was one inlet to absorb sample solution at the front side of the patch and
two outlets to drain air at the back side. (b) Real-time CA response of the biosensor patch during changes in glucose concentration in artificial
sweat: stepped increases from 0 to 1 mM and stepped decreases from 1 to 0 mM. (c) CA response current values obtained from the real-time CA
response data in part (b) under the increasing and decreasing steps of glucose concentration. (d) Real-time CA response of the biosensor patch in
response to repeated alternating injections of artificial sweat solutions of glucose concentrations 100 and 0 μM. (e) Current signal of the biosensor
patch during the repeated injections. Each measurement was performed with 120 μL of artificial sweat solution, with a waiting period of about 100 s
to allow complete absorption.

ACS Applied Materials & Interfaces Research Article

DOI: 10.1021/acsami.9b00848
ACS Appl. Mater. Interfaces 2019, 11, 14567−14575

14571

http://pubs.acs.org/doi/suppl/10.1021/acsami.9b00848/suppl_file/am9b00848_si_001.pdf
http://pubs.acs.org/doi/suppl/10.1021/acsami.9b00848/suppl_file/am9b00848_si_001.pdf
http://pubs.acs.org/doi/suppl/10.1021/acsami.9b00848/suppl_file/am9b00848_si_001.pdf
http://pubs.acs.org/doi/suppl/10.1021/acsami.9b00848/suppl_file/am9b00848_si_001.pdf
http://pubs.acs.org/doi/suppl/10.1021/acsami.9b00848/suppl_file/am9b00848_si_001.pdf
http://pubs.acs.org/doi/suppl/10.1021/acsami.9b00848/suppl_file/am9b00848_si_001.pdf
http://pubs.acs.org/doi/suppl/10.1021/acsami.9b00848/suppl_file/am9b00848_si_001.pdf
http://dx.doi.org/10.1021/acsami.9b00848


case of the biosensor patch integrated with a microfluidic
sample handling device (Figure S13).
We next evaluated the fouling effect expected to be caused

by absorption of glucose reaction byproducts during repetitive
measurement (Figure 4d). The biosensor patch showed
consistent responses during repeated replacement of artificial
sweat having low glucose concentration, indicating that the
byproducts were completely pushed into the reservoir from the
chamber by incoming solution (Figure 4e).
2.7. Continuous Measurement of Sweat Glucose

Level and Accuracy Testing. Then, we connected our
biosensor patch with a portable potentiostat and attached it
onto the forehead or arm of a subject while they rode a cycling
machine for 20 min to produce sweat for sampling and
measurements (Figures S14 and 5a). After about 10 min of
cycling, the sensing chamber was completely wetted by real
sweat, and the CA current level increased and was saturated
stably for a while. There was a clear difference in the signals of
tests conducted before and after meals; in both cases, the CA
signal dropped sharply after the subject stopping cycling
(Figure 5b). This phenomenon arose from the problem of
keeping wet the electrode surfaces in the sensing chamber.
After the subject stopped cycling, their sweating slowed.
However, in the meantime, the sweat in the sensing chamber
flowed out into the reservoir, leading to poor wetting of the
electrode surfaces and a sharp drop in the signal.
Next, sweat glucose level monitoring for one day was

performed after 20 min of cycling, using the stretchable
microfluidics-integrated biosensor patch. For comparison, the
glucose levels in the blood and sweat were also measured by
using a commercial glucose meter and glucose assay kit,
respectively. Changes in the sensing signal of the patch under
variations in measurement temperature (Figure 5c) and pH
(Figure 5d) indicated that the concentration reading was
affected by sweat pH only. Therefore, to allow calibration, the
pH level in the collected sweat was also measured with a

commercial pH sensor. All results of the sweat glucose
monitoring are summarized in Figure 5e. Similar to other
studies,7 sweat pH level did not change significantly before and
after meals or exercise, but glucose concentration did change
significantly before and after meals. The pH calibration made
the glucose-sensing results of our biosensor patch more closely
match the commercial sweat glucose assay in terms of both the
tendency and the absolute value of concentration. The
accuracy test results of the biosensor patch are compared
with those of the glucose assay in Figure S15.

3. CONCLUSIONS

NPG is suitable for a broad range of applications, including
biosensors, because of its high electrochemical catalytic effects,
high surface area, great chemical stability, and various available
manufacturing methods.43,44 However, NPG undergoes brittle
fracture in tensile deformation despite the ductility of bulk
gold, although the mechanical properties change depending on
the manufacturing method and the diameter of the
ligament.45,46 In this work, structural engineering of brittle
NPG by using a 3D micropatterned elastomeric substrate that
can effectively absorb the stress generated during stretching
enabled the realization of a stretchable non-enzymatic
electrochemical glucose biosensor. For the concept of a
wearable glucose-sensing platform integrated with stretchable
NPG electrochemical sensor, a very thin microfluidic channel
for better conformal attachment to the human body could be
realized using a stretchable cotton fabric and a PUNF-
reinforced PDMS layer with reduced thickness, but high
toughness and good stretchability. Finally, we integrated two
parts in a simple way and confirmed that the sweat sample
could be effectively collected, flowed smoothly through the
stretchable cotton fabric channel from the sensing chamber to
the reservoir, and could be replaced well even during repeated
exchange, thereby allowing accurate measurement of sweat
glucose level. In conclusion, a fully stretchable microfluidics-

Figure 5. Continuous measurement of sweat glucose levels and accuracy testing. (a) Optical images of the stretchable microfluidics-integrated
biosensor patch attached on the forehead (left) or arm (right) of a subject. (b) Real-time measurement of the biosensor patch attached to the
forehead. (c,d) Changes in sensing signal under various conditions of (c) temperature (20, 30 and 40 °C) and (d) pH (5, 6 and 7). (e) One-day
monitoring results of pH level (top) and glucose level (bottom) in sweat measured by the patch, before pH compensation (red) and after pH
compensation (green), a commercial sweat assay kit (blue), and glucose level in blood (black). The subject had meals at 12 and 6 PM on this day,
and the blood was collected just before the subject rode the cycling machine, considering the time delay (∼20 min) in blood and sweat glucose
concentration.
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integrated biosensor patch with high sensitivity, stretchability,
durability, and accuracy in continuous on-body sensing shows
great potential for continuous monitoring of metabolites,
including glucose, not only in sweat but also in other body
fluids.

4. METHODS
4.1. Fabrication of Stretchable Non-Enzymatic Glucose

Biosensor. The stretchable non-enzymatic glucose sensor was
fabricated as follows (Figure S16a−c). Thin Al2O3 (3 nm) was first
deposited by means of atomic layer deposition, an adhesion layer of
Ti (10 nm) was deposited by means of e-beam deposition, and tracks
of Au (50 nm) were deposited by means of thermal evaporation,
directly onto a 3D mogul-patterned PDMS (Sylgard 184, Dow
Corning) substrate for working, counter, and reference electrodes.
Then, Au and Ag were deposited simultaneously for 20 min with the
deposition rate ratio of 1:9 to make an Au−Ag alloy on the sensing
area of the working electrode only, using a stencil mask. The
deposited electrodes were dipped in nitric acid (7697-37-2, Samchun)
for 5 min to dealloy them and then were rinsed with DI water. Then,
to form a Ag/AgCl reference electrode, 1.5 g of Ag/AgCl ink
(011464, BAS Inc.) was mixed with 1.5 g of ethyl acetate (141-78-6,
Sigma-Aldrich) and 100 μL of Zonyl FS-300 (197664-69-0, Sigma-
Aldrich) was added to improve bonding strength. After completely
mixing these three components, 10 wt % Ecoflex (EcoFlex 00-30,
Smooth-on Inc.) was added to impart mechanical compliance, and the
resulting mixture was allowed to stand for 6 h to allow full dispersion.
The prepared paste was printed on the region of the reference
electrode only by using a stencil mask and was cured at 120 °C for 10
min.
4.2. Characterization of Stretchable Non-Enzymatic Glu-

cose Biosensor. To investigate the electrochemical characteristics of
fabricated stretchable non-enzymatic glucose sensors with various
design variables, CV measurements were performed using a
potentiostat (VSP, Bio-Logic). All measurements were performed in
phosphate buffer (pH 7.5, Sigma-Aldrich), and electrochemical
cleaning with 0.1 M sodium hydroxide (1310-73-2, Sigma-Aldrich)
solution was carried out between each characterization measurement.
4.2.1. Characterization of NPG Electrode. Characteristics of the

electrochemically active surface area of NPG electrodes subjected to
various durations of dealloying were evaluated using 10 mM
potassium ferricyanide (13746-66-2, Sigma-Aldrich) solution. The
scan rate was fixed at 50 mV/s.
4.2.2. Sensitivity and Selectivity Test. We calibrated our glucose

sensor using glucose (50-99-7, Sigma-Aldrich) solutions ranging
between 0.01 and 1 mM concentration at a scan rate of 20 mV/s.
Selectivity tests were performed using 10 μM ascorbic acid (AA) (50-
81-7, Sigma-Aldrich) and 10 μM uric acid (UA) (69-93-2, Sigma-
Aldrich), with the same glucose concentration range and scan rate
used in the sensitivity tests.
4.2.3. Stretching Test. Stretching tests were performed with various

applied strains (0, 10, 20, and 30%) and numbers of stretching cycles
(0, 200, 400, 600, 800, and 1000 cycles at 30% elongation) in a
custom-built cyclic stretching tester. The same glucose concentration
range and scan rate were used as in the sensitivity tests.
4.2.4. pH and Temperature Dependence. The pH and temper-

ature dependencies were evaluated with 300 μM glucose solution at
various pH levels (pH 5, 6, and 7) and temperatures (20, 30, and 40
°C). The scan rate was fixed at 20 mV/s.
4.3. Fabrication of Stretchable Fabric-Based Microfluidic

Channel. Stretchable cotton fabric was purchased at a local fabric
market (Seoul, Republic of Korea). The fabric was cut into the
designed channel pattern by using a laser cutter, ultrasonically washed
in sodium hydroxide (1310-73-2, Sigma-Aldrich) solution for 15 min,
rinsed with DI water, and dried at 60 °C under airflow for 2 h.
The stretchable fabric-based microfluidic channel was fabricated as

follows (Figure S17). A 15 wt % polyurethane (SG-85A, Teco Flex)
solution in N,N-dimethylformamide (68-12-2, Sigma-Aldrich) was
prepared by stirring at 80 °C for 3 h. This PU solution was used to

produce PUNFs by using a custom-built electrospinning machine. A
syringe containing 0.2 mL PU solution was pumped at a speed of 1
mL/h. Between the collector of 10 cm × 10 cm area, consisting of five
glass slides, and the 21-gauge nozzle, which was placed 15 cm from
the collector, was applied a voltage of 15 kV to directly spin the
PUNFs. Afterward, PDMS (Sylgard 184, Dow Corning) was poured
on the glass slides containing the PUNFs. Bubbles in the nanofiber-
embedded PDMS samples were removed by placing them in a
vacuum desiccator, and the PUNF-embedded PDMS samples were
further coated in a spin coater at 1000 rpm in 40 s to obtain substrates
of thickness 90 μm after curing at 80 °C for 1 h.

Then, a designed stencil mask, which was cut by a laser cutter, was
applied over PUNFs-reinforced PDMS substrate to make a channel
pattern. Uncured PDMS (Sylgard 184, Dow Corning) was poured
onto the substrate and spin coated at 800 rpm for 40 s. Subsequently,
it was half-cured at 80 °C for 3 min to ensure high viscosity of the
PDMS layer and thus to avoid its penetration under the mask. The
stencil mask was peeled off immediately after the half-curing step, and
the substrate was continued to be cured for 3 min at 80 °C to make
the PDMS surface sticky. The patterned cotton fabric was then
aligned into the preformed channel pattern, and another PUNFs-
reinforced PDMS cover was attached. Finally, the fabricated
microfluidic channel was completely cured by treatment in a hot-
press machine at 80 °C for 1 h. To form inlet and outlet, the
fabricated microfluidic channel was manually punched by using a 13-
gauge needle.

4.4. Integration Process of Stretchable Microfluidics-
Integrated Biosensor Patch. The stretchable microfluidics-
integrated biosensor patch was fabricated using the following
procedure (Figure S16d−f). To prevent contact between the cotton
fabric and the sensor electrodes, four PDMS (Sylgard 184, Dow
Corning) pillars were formed between the working and counter
electrodes. After surrounding the sensing region of the electrodes with
a Teflon tape barrier (ASK018AD, ALPHAFLON) to prevent PDMS
penetration, a PDMS (Sylgard 184, Dow Corning) encapsulation
layer was spin coated onto the sensor layer at 500 rpm for 10 s and
cured at 80 °C for 2 min. It was further cured for 3 min after peeling
off the Teflon tape barrier to make the PDMS surface stickier. Then,
the patterned cotton fabric was aligned to the sensor region, and the
thin PUNFs-reinforced PDMS cover for preventing unintentional
wetting of the waste reservoir by extracted sweat was attached to the
fabricated biosensor patch. Finally, the biosensor patch was cured at
80 °C for 1 h.

4.5. Characterization and On-Body Detection Demonstra-
tion of Stretchable Microfluidics-Integrated Biosensor Patch.
To identify the electrochemical characteristics of the fabricated
stretchable microfluidics-integrated biosensor patch, a desktop
potentiostat (VSP, Bio-Logic) and a portable electrochemical analyzer
(EmStat Blue 3+, Palm Instrument B.V.) were used.

4.5.1. Wetting Test. Open-circuit potential of the biosensor patch
was measured for 60 s to evaluate the absorption rate of an artificial
sweat solution of phosphate buffer (pH 7.5, Sigma-Aldrich) with 10
mM sodium chloride (7647-14-5, Sigma-Aldrich).

4.5.2. Solution Replacement Test. Chronoamperometry was
performed with 120 μL artificial sweat in each step of increasing or
decreasing concentration. The waiting time for complete absorption
in each step was 100 s.

4.5.3. On-Body Detection and Accuracy Test. Copper wire leads
were attached to each electrode of our sensor patch with silver paste
(ELCOAT, CANS) to connect them to a portable electrochemical
analyzer (EmStat Blue 3+, Palm Instrument B.V.). The portable
electrochemical analyzer is controlled wirelessly using a PStouch
Android application. The sensor patch was attached on the forehead
or arm of our subject by means of a waterproof band (A-Derm,
EVERAID) to prevent delamination and evaporation of sweat, and
the subject (age: 25, male) rode a cycling machine for 20 min to
produce sweat. Because the amount of extracted sweat was too less,
we removed only the cover layer on the sensing chamber part to
maximize sweat collection efficiency during the on-body detection.
We compared the results of the sensor patch with the results of a
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glucose assay (Colorimetric glucose assay kit, Cayman Chemical) and
glucose meter (CareSens N, I-sens). To allow pH correction of
measured glucose concentration, the pH of the sweat was measured
by using a pH sensor (Orion 3 Star, Thermo Scientific).
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