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ARTICLE INFO ABSTRACT

Keywords: Comprehensive metabolic panels are the most reliable and common methods for monitoring general physiology
Wearable in clinical healthcare. Translation of this clinical practice to personal health and wellness tracking requires
M“mp_lex reliable, non-invasive, miniaturized, ambulatory, and inexpensive systems for continuous measurement of
E;::;E:}Sl;ﬁical sensors biochemical analytes. We report the design and characterization of a wearable system with a flexible sensor array
Glucose for non-invasive and continuous monitoring of human biochemistry. The system includes signal conditioning,
Lactate processing, and transmission parts for continuous measurement of glucose, lactate, pH, and temperature. The

pH system can operate three discrete electrochemical cells. The system draws 15 mA under continuous operation
when powered by a 3.7 V 150 mAh battery. The analog front-end of the electrochemical cells has four poten-
tiostats and three multiplexers for multiplexed and parallel readout from twelve working electrodes. Utilization
of redundant working electrodes improves the measurement accuracy of sensors by averaging chronoampero-
metric responses across the array. The operation of the system is demonstrated in vitro by simultaneous mea-
surement of glucose and lactate, pH, and skin temperature. In benchtop measurements, the sensors are shown to
have sensitivities of 26.31 pA mM~'.cm 2 for glucose, 1.49 pA mM~'-cm 2 for lactate, 54 mV-pH ™! for pH, and
0.002 °C’! for temperature. With the custom wearable system, these values were 0.84 =+ 0.03 mV pM'.cm 2 or
glucose, 31.87 + 9.03 mV mM ™ '.cm~2 for lactate, 57.18 + 1.43 mV-pH ! for pH, and 63.4 pv-°C~! for tem-
perature. This miniaturized wearable system enables future evaluation of temporal changes of the sweat

Sweat sensors

biomarkers.

1. Introduction

Wearable health and wellness monitoring systems (wearables) are
promising solutions to alleviate the burden of chronic diseases on the
healthcare system by eliminating patient’s dependence on bulky and
expensive lab equipment for point-of-care testing and diagnosis. Chronic
diseases, such as cardiovascular disorders, cancer, obesity, and diabetes,
are projected to account for almost 75% of all deaths worldwide (WHO,
2003). The development and progression of chronic diseases are
dependent on dietary, activity, and metabolic patterns (Willett et al.,
2006). Integrating wearables into health and wellness regimens can aid
in early diagnosis or management of these diseases. To this end, wear-
ables may improve patient health by providing continuous streams of
physiological data to healthcare providers to track biomarkers and
quickly identify anomalous or pathological patterns.

Long-term monitoring of metabolic biomarkers is one way of
benchmarking general patient wellness. Glucose, oxygen, pH, and
lactate are some of the metabolic biomarkers. When monitored contin-
uously, these biomarkers can give insights regarding abrupt or chronic
changes of physiology (Phypers and Pierce, 2006). For example, during
intense exercise, metabolic production of energy switches from aerobic
to anaerobic processes, resulting in lactate accumulation in the blood
(Finsterer, 2012). Insufficient supply of glucose or impaired clearance of
lactate may jeopardize the viability of many organs and result in
emergence of various symptoms that may affect the daily life such as
exhaustion, cramps, rapid heart rate, shortness of breath, and rapid
decrease in blood pH levels (Rassaei et al., 2014). Therefore, continuous
monitoring of these biomarkers may provide longitudinal assessment of
the patient’s health or real-time actionable information for the health-
care provider.
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Although continuous monitoring of metabolic biomarkers can pro-
vide new medical insights, clinical characterization of biomarkers
traditionally requires expensive equipment, skilled technicians, and
long turnaround time (hours or days) with very poor temporal resolution
(Tudos et al., 2001); however, with the advent of point-of-care (PoC)
devices (e.g., i-STAT®, Abbott), blood metabolite levels can be measured
within a few minutes with a single blood draw volume of about 65-95 pL
(Martin, 2010) or even less today (<5 pL). PoC devices enable discrete
sampling of biomarker levels; however, they cannot measure abrupt or
unforeseen fluctuations between discrete measurement times. Current
continuous glucose monitoring devices overcome this issue by moni-
toring the analyte levels from a few weeks (Dexcom G6® and Abbott
FreeStyle Libre®) up to three months (Senseonics Eversense®), but they
are invasive systems requiring the insertion of a subcutaneous needle or
surgical implant (Deiss et al., 2019; Shah et al., 2018).

In the recent decade, a shift toward non-invasive metabolite and
electrolyte sensors, based on sweat analysis, has been reported (Bariya
et al., 2018; Choi et al., 2018; Heikenfeld et al., 2019) because con-
ventional blood tests for analyzing glucose and lactate levels are inva-
sive and painful. Sweat offers non-invasive and pain-free assessment of
biomarkers of human metabolism. Sweat contains biologically relevant
ions (e.g., Na™, Cl7, KT, and NHZ), small molecules (e.g., ethanol,
glucose, lactate, and urea), and small proteins (Bandodkar et al., 2014;
Jia et al., 2013; Kim et al., 2015; Sonner et al., 2015). Sweat based
sensors have been developed for detection of ethanol (Kim et al., 2016),
glucose (Bandodkar et al., 2015), pH and calcium (Emaminejad et al.,
2017), and lactate (Jia et al., 2013). For example, lactate in sweat was
studied for the characterization of physiological performance, pressure
ischemia, cystic fibrosis, and panic disorder (Derbyshire et al., 2012;
Tur-Garcia et al., 2017). Despite the ongoing debate regarding the exact
correlation between sweat and blood metabolites (Heikenfeld, 2016;
Wolfe et al., 1970), there have been recent reports illustrating the cor-
relation between sweat and blood glucose concentrations (Bandodkar
et al., 2015; Hong et al., 2018; Lee et al., 2017; Sakharov et al., 2010).
Therefore, sweat may present an alternative way of continuous moni-
toring of overall physiological condition.

Wearable system integration and redundancy are major technical
hurdles. First, most reports demonstrate sensors for single analyte
detection, which may be insufficient to evaluate the overall health
condition. These sensors use a single working electrode, which results in
poor reliability due to fundamental sensor failure, sensor delamination
from skin surface, or cessation of sweating where the sensor is in contact
with the skin. Second, the best performing sensors are demonstrated
with benchtop hardware, but they are rarely demonstrated as wearable
system-level solutions. To date, there are a few emerging examples of
fully-integrated wearables for sweat analysis (Bandodkar et al., 2019;
Choi et al., 2019; Gao et al., 2016; Imani et al., 2016; Lee et al., 2017; Lei
et al.,, 2019). These systems monitor levels of sweat metabolites and
electrolytes along with additional sensors, such as sweat rate, blood
oxygenation, or ECG. The systems use either electrochemical or colori-
metric detection techniques for quantification of biomarkers. Selected
studies are summarized in Supplementary Table S1. A common feature
of these systems, with one exception (Lee et al., 2017), is that they have
a single sensing electrode per analyte. This lack of redundancy may yield
imprecise or inaccurate results due to sensor-to-sensor variation and
operating conditions, which is very common in enzymatic electro-
chemical sensors used in wearables.

To build on the groundbreaking work by the Heikenfeld, Javey, Kim,
and Gao research teams, developing a system with an electrode array for
multiple analyte detection and redundancy may mitigate signal reli-
ability issues. First, electrode arrays can be functionalized with various
recognition elements so that multiple concurrent tests can be performed.
Second, the precision of sensor output can be improved by running
simultaneous measurements across multiple electrodes or by including
functionalized and non-functionalized electrodes (i.e., positive and
negative controls) to subtract the effect of common interferences. Last,

Biosensors and Bioelectronics 153 (2020) 112038

multi-biasing can be applied to detect analytes with different redox
potentials. However, to provide these benefits, the operation of elec-
trode arrays requires a next-generation of miniaturized and multiplexed
electronic hardware.

Accordingly, the use of electrode arrays for the detection of multiple
analytes requires a system with signal conditioning modules (biasing,
filtering, and amplification) and multiplexing capabilities for each type
of sensor. Many single analyte (single electrode) detection systems have
been reported, they include custom-designed potentiostats for electro-
chemical detection of metabolites, heavy metals, drugs, and DNA mol-
ecules for applications, such as cellular microphysiometry, wearable
sensing, and point-of-care sensing (Supplementary Table S2) (Nemiroski
et al., 2014; Rowe et al., 2011; Steinberg et al., 2015). These systems
were able to perform electrochemical techniques, such as chro-
noamperometry, cyclic voltammetry, and square wave voltammetry.
Fewer reports have designed systems for multiplexed analyte detection.
These designs used either a separate readout unit for each working
electrodes (Harrington et al., 1989; Levine et al., 2008; Lima et al.,
2014) or multiplexing between an array of working electrodes (Ghor-
eishizadeh et al., 2014; Yang et al., 2009) (Supplementary Fig. S1). A
separate readout unit for each working electrodes offers rapid mea-
surement because of simultaneous measurement functionality but re-
quires a large circuit area. The latter approach uses multiplexing scheme
to read from each individual electrode results in an area efficient design,
but with a compromise of reduced sampling rate as it scans through an
entire array of electrodes. To overcome some of these challenges, a
hybrid multiplexing topology was proposed (Hu et al., 2016; Ramfos
et al.,, 2015) (Supplementary Fig. S1d), providing multiplexing and
parallelization that results in both reduced circuit area and improved
real-time performance. Consequently, a miniaturized and inexpensive
hybrid-multiplexing system would enable simultaneous detection of
multiple analytes as well as multiplexed reading from redundant
electrodes.

Herein, we report an array-based flexible sensor platform integrated
with a low-cost multiplexing system for simultaneous detection of
glucose, lactate, pH, and temperature. The array of electrodes was
fabricated on a flexible thin polymeric film and functionalized via se-
lective electrodeposition. The wearable hardware is a miniaturized and
inexpensive stand-alone system, which is fabricated with commercially
available discrete components. The custom system consists of analog
front-end designs for pH and temperature sensors. It also includes
potentiostats along with multiplexers to record from twelve working
electrodes designed for glucose and/or lactate sensing. The multiplexing
system along with the flexible sensing array presents another step to-
ward an on-body solution for continuous monitoring of metabolic
biomarkers.

2. Materials and Methods
2.1. Fabrication of flexible electrode array

A more detailed fabrication procedure is provided in the supple-
mentary text. Briefly, polydimethylsiloxane (10:1 ratio; Sylgard 184,
Dow Corning) was spin-coated on a 100 mm glass wafer as a sacrificial
layer. The PDMS film was cured at 70 °C for 1.5 h in a vacuum oven. A
50 pm thick polyimide (PI) film was temporarily adhered to the PDMS
coated wafer. The wafer was cleaned with acetone and isopropyl
alcohol. A Cr/Au thin film (20 nm/300 nm) was deposited on the PI film
by DC sputtering. The Cr/Au thin film was patterned by photolithog-
raphy and wet etching. The conductive traces were encapsulated by spin
coating of a positive photoresist (Microposit® S1813). The electrode
areas and the pads were exposed by developing the photoresist layer.
Additional details are provided in Supplementary Text 1.3 and Supple-
mentary Fig. S2.



M.A. Yokus et al.

2.2. Functionalization of the flexible electrode array

(i) Electrodeposition of gold nanoparticles. The surface of planar gold

(ii

(iii

(iv

(v

)

)

)

—

electrodes was cleaned in 50 mM HSO4 solution (product
#258105, Sigma-Aldrich) using cyclic voltammetry method from
—0.4to 1V atascan rate of 100 mV s~ for 10 cycles. An aqueous
solution of 2 mM HAuCly (product #254169, Sigma-Aldrich) in 2
M H5SO4 (product #258105, Sigma-Aldrich) was prepared. The
electrode was dipped in the prepared solution. Gold nano-
particles (AuNPs) were electrodeposited on bare gold electrode
surface using chronoamperometric method. The deposition was
performed for 15 min at —0.1 V with an external Pt counter
electrode and an Ag/AgCl reference electrode (Supplementary
Fig. S3a). AuNPs deposited electrodes were used for glucose and
lactate sensors.

Electrodeposition of Prussian blue. An aqueous solution of 100 mM
KCl (product #746436, Sigma-Aldrich), 2.5 mM FeCl (product
#97064-656, VWR), and 2.5 mM KsFe(CN)g (product
#97062-260, VWR) in 100 mM HCl (product #AAAL13091,
VWR) was prepared. The AuNPs deposited gold electrode was
dipped into the solution. Prussian blue was electrodeposited by
cyclic voltammetry method from O to 0.5 V at a scan rate of 20
mV s~! with an external Pt counter electrode and an Ag/AgCl
reference electrode (Supplementary Fig. S3c).

GOx immobilization. 5 mg mL™' exfoliated graphite (product
#282863, Sigma-Aldrich) solution was prepared in 1X
phosphate-buffered saline (PBS) (product #BP2944, Fisher Sci-
entific). The exfoliation process was completed using an ultra-
sonic bath (product #15337410, Fisher Scientific) for 1.5 h. The
exfoliated graphite solution was mixed with GOx (50 mg mL ™},
product#G7141, Sigma-Aldrich) and bovine serum albumin
(BSA) (10 mg mL’l, product #0332, VWR). GOx/BSA/exfoliated
graphite (0.5 pL) was drop-cast on the Prussian blue coated (4
cycles) electrode. The electrodes were kept in ambient tempera-
ture for 30 min for drying. Glutaraldehyde solution (0.5 pL of 2 wt
%; product #TC0067, VWR) was drop-cast on the electrode and
kept in the fridge (4 °C) for drying. Afterwards, 0.8 pL of 0.5 wt %
Nafion® (product #70160, Sigma-Aldrich) was drop-cast on the
electrode and dried at room temperature.

LOx immobilization. A solution of LOx (50 mg mL~!, pro-
duct#E2030703P1, Gwent Group) and BSA (10 mg mL™) was
prepared in 1X PBS. LOx and BSA solution (0.4 pL) were drop
casted on the Prussian blue coated (20 cycles) planar gold elec-
trode. The electrodes were dried at room temperature for 30 min.
Glutaraldehyde solution (0.4 pL of 2 wt %) was drop-cast on the
electrode and kept at 4 °C until it was tested. Nafion® (0.8 pL of
0.5 wt %) was drop-cast on the electrode and dried at room
temperature. The exfoliated graphite was not used in fabrication
of the lactate sensor because its incorporation did not improve
the sensitivity of the sensor according to benchtop analysis
(Supplementary Fig. S4b).

Electrodeposition of polyaniline. An aqueous solution of 0.1 M an-
iline (product#242284, Sigma-Aldrich) in 1 M HCl was prepared.
Polyaniline (PANI) was deposited on the planar gold electrode by
cyclic voltammetry method by sweeping the potential from —0.2
to 1V at a scan rate of 100 mV s~! for 30 cycles with an external
Pt counter electrode and an Ag/AgCl reference electrode (Sup-
plementary Fig. S3b).

(vi) Encapsulation of temperature sensor. The surface of the tempera-

ture sensor was exposed by patterning in the fabrication process.
Its surface can be coated with polymeric films to control its
thermal properties. In our case, the encapsulation of the tem-
perature sensor was made wusing liquid bandage spray
(Walgreen’s).

(vii) Fabrication of reference electrode. The reference electrodes of

glucose, lactate, pH sensors were fabricated by drop casting an

(viii)
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Ag/AgCl ink (product #C2130809D5, Gwent Group) on the
planar gold electrodes. The electrodes were subsequently cured at
80 °C for 15 min.

Selective functionalization of the electrodes. Electrodeposition is a
technique for selective deposition of various materials on a single
platform with minimal cross-contamination. We used electrode-
position of AuNPs and Prussian blue (PB) for fabrication of
glucose and lactate sensors. Similarly, polyaniline (PANI) elec-
trodeposition was carried out for fabrication of pH sensors. The
selective functionalization of the flexible array started with the
electrodeposition PANI on the working electrode of the pH
sensor. Then, the sample was cured at 80 °C for 5 min. PANI was
chosen due to its surface sensitivity to protonation in different pH
solutions. This step was followed with the electrodeposition of
AuNPs on the planar gold electrode surface (i.e., working elec-
trodes of glucose and lactate sensors). Afterwards, PB was elec-
trodeposited on the AuNPs electrodes, and the sample was cured
at 80 °C for 45 min. PB is selected due to its high catalytic activity
towards hydrogen peroxide, which is a byproduct of the reaction
between glucose oxidase-glucose or lactate oxidase-lactate. Af-
terwards, an Ag/AgCl ink was drop casted on the reference
electrodes of the pH, glucose, and lactate sensors. The sample was
cured at 80 °C for 15 min. Later on, the working electrode sur-
faces of glucose and lactate sensors were functionalized with GOy
and LOy enzyme mixtures, respectively. Chemical crosslinking of
the enzymes to bovine serum albumin (BSA) was performed with
2% glutaraldehyde solution. Finally, a 0.5% Nafion® film was
drop-casted on top of the working electrodes as encapsulation
layer. The samples were stored at 4 °C when not in use.

2.3. Characterization of the flexible sensors array

@

(i)

(iii)

Characterization of electrodeposited gold nanoparticles. The char-
acterization of electrodeposited porous gold electrodes was per-
formed by electrochemical impedance spectroscopy (EIS) with a
Gamry 600+ benchtop potentiostat. The electrodes were dipped
into an aqueous solution of 5 mM Ks3Fe(CN)¢ in 1X PBS. EIS
measurement was performed with an external Pt counter elec-
trode and an Ag/AgCl reference electrode from 1 Hz to 5 MHz
(Vac=10mV and Vp¢ = 0 V). Cyclic voltammetry measurements
were carried out in an aqueous solution of 10 mM K3Fe(CN)g in
1X PBS from —0.3 to 0.9 V with a scan rate of 100 mV s~ with an
external Pt counter electrode and an Ag/AgCl electrode. Scanning
electron micrographs were obtained with an FEI Verios 460L.
Characterization of glucose and lactate sensors. Chronoampero-
metric characterization of glucose and lactate sensors were per-
formed with a Gamry 600+ benchtop potentiostat at —0.1 V in 1X
PBS solution. A conditioning step was performed at —0.1 V. A
steady state current was obtained after 10 min. Measurements of
glucose or lactate were made at 5 min intervals to ensure a ho-
mogenous solution. Chronoamperometric measurement were
made at —0.1 V for 100 s.

Characterization of pH and temperature sensors. Open circuit po-
tential measurements (OCP) in buffer solutions (pH = 4.0-8.0,
Fisher Scientific) were performed with a benchtop Gamry 600+
potentiostat. The PANI deposited electrodes were dipped into the
buffer solutions and OCP readings were carried out for 5 min. The
characterization of the temperature sensor was performed on a
hot plate. Resistance measurements were performed to calibrate
the temperature sensor as the hot plate temperature was changed
from 22 °C to 45 °C at a rate of 1 °C-min~'. The temperature
sensor was brought in contact with the surface of the hot plate. A
K-type surface thermocouple with adhesive backing was adhered
next to the sensor to measure the surface temperature of the hot
plate. The temperature sensor was connected to source measure
unit (B2902a, Keysight) for resistance measurement. A custom-
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(iv)

)

designed LabVIEW script was used to measure the surface ther-
mocouple temperature and the resistance change of the temper-
ature sensor.

Intraelectrode and interelectrode crosstalk study. Intraelectrode
crosstalk test was performed in aqueous solution of 5 mM KzFe
(CN)g and 1 M KCl in 1X PBS. Four carbon-working electrodes
(product# RRPE1001C, PINE Research) were electrically con-
nected to WEq.1, WE;_5, WE;_3, and WE;_4 of the first channel
(WEyy, for x: 1,2,3 and y: 1,2,3,4, where x and y indicate the
channel number and the working electrode number, respec-
tively). The counter and reference electrode inputs of the
potentiostat were connected to an external Pt counter electrode
and an Ag/AgCl reference electrode. The carbon electrodes were
conditioned in the same aqueous solution at —0.1 V. A steady
state current was obtained after 30 min. A PANI coated carbon
electrode and an Ag/AgCl reference electrode (PINE Research)
were used as pH sensors. Afterwards, the intraelectrode crosstalk
test was started. The reference and working electrode of the pH
sensor were disconnected after 10 min. Similarly, WE;_4, WE;.3,
and WE; , were disconnected at 15, 20, and 25 min, respectively.
The overall test was completed in 30 min.

For interelectrode crosstalk, new carbon electrodes were elec-

trically connected to the WE;.;, WEy.;, and WE3; of the first,
second, and the third channels of the multiplexing system. The
electrodes were then dipped into a similar aqueous solution and
preconditioning step was completed at the same conditions as the
intraelectrode crosstalk study. The interelectrode crosstalk study
was performed by disconnecting the reference and working
electrode of the pH sensor after 10 min. Similarly, WE3; and
WEjy.; were disconnected at 15 and 20 min, respectively. The
overall test was completed in 25 min. The temperature sensor was
not involved in the crosstalk test since its surface is encapsulated
and thus insulated from crosstalk.
Off-body measurement of sampled sweat. The off-body evaluation of
the custom multiplexing system was performed in compliance
with the protocol that was approved by the Institutional Review
Board at University of North Carolina, Chapel Hill (#18-0984).
Three healthy subjects (1 female and 2 males), aged 18-35
exercised on a cycle ergometer (Life Sciences ® 95Ri recumbent
exercise bike) and sweat samples were collected after a period of
constant workload. The power output was monitored through the
cycle ergometer. For the constant workload exercise, the subjects
exercised at 50 W for 5 min. The workload was increased to 150
W and the exercise was maintained at this workload for 20 min.
Then, it was followed by recovery and cool-down at 50 W for 5
min. The cycling was kept at 60 rpm for all exercise levels. Sweat
was collected in the 20 min intense exercise period from the
forehead of the subjects. Off-body measurement of the collected
sweat samples were performed by the custom-designed multi-
plexing system. The system was also tested with a stabilized
artificial sweat solution (product#1700-0020, Pickering Labo-
ratories) as a reference. The artificial sweat solution includes 19
different amino acids, 4 metabolites (uric acid, urea, lactic acid,
and ammonia), and 8 different minerals. For our measurements,
200 pM glucose was added to the artificial sweat solution since it
did not contain glucose. The concentration of glucose and lactate
in the collected and artificial sweat was measured using colori-
metric glucose (Amplex™ Red Glucose Assay Kit, pro-
duct#A22189, ThermoFisher Scientific) and lactate (Amplite™
L-Lactate Assay Kit, product#13815, AAT Bioquest) assay Kits.
Black non-binding (product# 07000634, Fisher Scientific) and
white medium binding (product# 07000097, Fisher Scientific)
96 well plates were used for glucose and lactate assays,
respectively.
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3. Results and discussion
3.1. Design of flexible sensor array and custom multiplexing system

The design of the flexible sensor array (length: 28 mm, width: 22
mm) is shown in Fig. 1. The sensor was fabricated on a polyimide film to
form a flexible sensor. The sensor is comprised of a layered structure
(Fig. 1a): polyimide (bottom), metallization (intermediate), and
encapsulation (top) layers. The metallization layer allows the various
sensors along with their corresponding electrical contact pads to be
easily inserted into a surface mount connector on the custom-built
printed circuit board (PCB) (Fig. 1b). The flexible sensor array consists
of a total of twelve (12) working electrodes along with three reference
and counter electrodes for glucose, lactate, and background current
(Supplementary Fig. S6a). The array also has a serpentine resistive
temperature sensor and a pair of electrodes for pH sensing (Fig. 1c).
Each channel has a three-electrode electrochemical cell configuration
with an array of four working electrodes (WE;j.; to WE;_4, WE3.1 to WEj.
4, and WE3_; to WE3_4), a reference and a counter electrode. The working
electrodes in each individual channel have been either functionalized
for amperometric detection of glucose and lactate or left blank for
background current detection. The four working electrodes in each
channel are connected to a potentiostat through a multiplexer in the
custom designed system (Fig. 1d and Supplementary Fig. S6a).

A four-layer PCB was designed to interface with the flexible sensor
(Fig. 1b). The system consists of six different units: system-on-chip (a
microcontroller with wireless transceiver), three multiplexing units for
glucose and lactate sensors, four potentiostats, a pH-sensing unit, a
temperature-sensing unit, and a power management unit (Fig. 1d). The
system-on-chip (SoC) is a Bluegiga BLE113 Bluetooth® Smart Module
and provides the processing and communication capability. The SoC
coordinates proper switching between working electrodes, data pro-
cessing, and wirelessly transmits to a data aggregator, such as a smart-
phone or tablet via Bluetooth Low Energy (BLE). The multiplexers are
connected to three potentiostats (LMP91000, Texas Instruments). To
measure different analyte concentrations, the three potentiostats are
configured as three-lead electrochemical cells, one potentiostat for each
of the analyte channels. Each analyte channel contains four working
electrodes, one reference and one counter electrode (Supplementary
Fig. S6a). The fourth potentiostat is used for generating 1 V virtual
ground. The four working electrodes of each potentiostat are connected
to an 8-channel single-pole, single-throw (SPST) switch (MAX14662,
Maxim Integrated) to multiplex between the four working electrodes. In
total, twelve I2C controlled single pull single throw (SPST) switches can
be toggled to connect each of the four electrodes on each analyte
channel to the potentiostat individually. Twelve additional SPST
switches connect each of the electrodes to a virtual ground, which
matches the virtual ground internal to the potentiostat. This creates a
software-controlled make-before-break single-pull double-throw (SPDT)
switch for each working electrode wherein each working electrode is
connected to the virtual ground when not in use (Supplementary
Fig. S1d and Fig. S6b). This is necessary because multiplexing with
break-before-make SPDT switches or simply using SPST switches be-
tween the working electrodes and the potentiostat creates intermittent
biasing, which disrupts the electrochemical processes of the cell (Ramfos
et al., 2013). The LMP91000 also contains a transimpedance amplifier
with adjustable gain, which allows for measurement of very high and
very low analyte concentrations without saturation or inadequate pre-
cision (Supplementary Table S3 and Supplementary Figs. S7a-b). The
pH-sensing unit (LMP91200, Texas Instruments) performs the pH mea-
surement between a reference electrode and pH indicator electrode. The
temperature-sensing unit measures temperature via a voltage divider
(10 kQ). The potentiostat outputs, pH, and temperature measurements
are all read by the microcontroller via 16-bit analog-to-digital con-
verters (ADS1115, Texas Instruments). The power management circuit
of the system starts with a 3.7 V, 150 mAh lithium-polymer battery to



M.A. Yokus et al.

Encap'gﬁlation

Polyiride

Connécting pads

Biosensors and Bioelectronics 153 (2020) 112038

d Power Management
c Multielectrodes Flexible Sensor Array CE,
. H Voltage
P i B Battery Regulator By
WEi4
PpH Sensor Potentiostat, MUX4 WE:,
WE; 3
WE WE:
AFE
RE 1
\ McU
Voltage |
RTD[| Divider ¢ CE:
Temperature  pH Temperature Sensor RE;
sensor sensor &
B WEs
Potentiostat, MUX, WEs:
WEs;
WE;

Glucoseand Lactate Sensor

Fig. 1. Images and system block diagram of the custom multiplexing system along with a flexible sensor array. (a) Exploded view of the flexible sensor array showing
the polyimide (bottom), metallization (intermediate), and encapsulation (top) layers. (b) Left: Picture of wrist-worn, wearable multiplexing system in a 3D printed
watch enclosure for demonstration purposes only. Right: Picture of the flexible sensor array. (c) Left: CAD design of the flexible sensor array. Right: Fabricated flexible

sensor array. (d) System block diagram of the custom multiplexing sensor system.

power the device. This battery can be charged by a 5 V external power
supply (USB) through a battery management and a fuel gauge integrated
circuit (MCP73831, Microchip). To increase power efficiency, switching
regulators are utilized for the voltage rails of the device. The battery
voltage is regulated to 3.3 V by a step down converter (TPS62162, Texas
Instruments) in order to power the microcontroller and peripherals. The
3.3 V rail is boosted up to 5 V by a boost converter (TPS61222, Texas
Instruments). The 5 V rail serves as a reference for the potentiostat and
increases range of voltage sweeps. A pushbutton controller (MAX16054,
Maxim Integrated) allows the user to power the device on and off.

Overall, the system can perform concurrent cyclic voltammetry (CV)
sweeps on all 12 channels between —1.2 V and 1.2 V at sweep rates
between 10 mV s~} and 1000 mV s~! with a 0.1 V step size, while
simultaneously measuring pH and temperature. Alternatively, the sys-
tem can carry out concurrent chronoamperometric measurement of all
12 channels at a sampling rate of 10 Hz, again while measuring pH and
temperature. The system is powered by a 3.7 V 150 mAh battery and
consumes around 15 mA when actively measuring analyte concentra-
tions and transmitting data, giving a battery life of 9.9 h for continuous
measurement and wireless data transmission. The system consumes 60
pA when in idle mode, allowing for a drastic reduction in average power
consumption for applications in which intermittent sampling is appro-
priate. For example, reducing sampling rate by sampling for 30 s and
then entering idle mode for 10 min decreases the average current con-
sumption to 0.25 mA s~ ! and extends battery lifetime to 600 h. The final
system has a diameter of 40 mm and a thickness of 9 mm. The custom
multiplexing potentiostat system costs $92 each at prototype quantities,
with significant cost reduction possible at higher production quantities.
The summary of specifications of the custom designed potentiostat, the
specifications of the components used in the custom system is provided
in Supplementary Tables S3-S5 and Supplementary Figs. S8 and S9.

3.2. In-vitro characterization of glucose, lactate, pH, and temperature
sensors

The concentration of glucose and lactate in sweat depends on various
factors such as sampling site, sampling techniques, participant’s age,
diet, degree of acclimation, gender, race, and activity levels (Stefaniak
and Harvey, 2006). Sweat concentrations are different from blood
concentrations and have been reported to be 5.6 uM to 2.2 mM for
glucose and 3.7 mM-50 mM for lactate (Boysen et al., 1984; Harvey
etal., 2010; Sonner et al., 2015). Median concentrations for glucose and
lactate are reported to be 170 pM and 14 mM, respectively (Harvey
et al., 2010). A wide working range, fast response, and interference-free
operation is required for continuous monitoring of sweat metabolites.

The fabrication of glucose and lactate sensors started with electro-
deposition of gold nanoparticles on the planar gold electrodes (Supple-
mentary Text 1.4, Supplementary Fig. S3a and Fig. S10). 15 min gold
deposition time was used because the deposition time was sufficient to
cover the surface of the bare gold electrodes. After 15 min of the porous
gold deposition, the electrochemically active surface area increased by
1.38 times (Supplementary Table S6), which decreased the DC electrode
impedance by two orders of magnitude (Supplementary Fig. S11a) and
resulted in 1.36 times increased current (Supplementary Figs. S11b-c).

We first characterized the sensors using a benchtop potentiostat. The
chronoamperometric response of glucose and lactate sensors are shown
in Fig. 2a and Fig. 2c respectively. The response of glucose and lactate
sensors were separately recorded using a benchtop potentiostat at a
constant potential of —0.1 V vs. an Ag/AgCl reference electrode for 100 s
in 1X PBS solution. The operation potential was selected based on
electro-oxidation of glucose and lactate by the fabricated flexible sensor
during cyclic voltammetry tests. When the sensor is exposed to glucose
or lactate in the solution, GOx or LOx enzymes catalyzes the oxidation of
metabolites and generates gluconic acid and pyruvate, respectively
(Wang, 2008). Both reactions generate hydrogen peroxide (H20>) that is
reduced by the Prussian blue mediator, leading to a change in the
cathodic current (Karyakin, 2017). The cathodic detection of H2O, at
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Fig. 2. Characterization of the fabricated flexible sensor array with a benchtop
potentiostat. Working electrode area: 0.0071 cm? (a-d) Chronoamperometric
responses of the glucose (a,b) and lactate (c,d) sensors with increasing glucose
(0-1000 M) and lactate (0-40 mM) concentration in 1X PBS solution (n = 3).
Bias: —0.1 V, pH 7.4, at 21 °C. (e-f) Open circuit potential response of the pH
sensor for increasing pH levels (n = 3). (g-h) Resistance response of the tem-
perature sensor to temperature changes (22-45 °C). The plots on the second
column shows the corresponding calibration plots of the glucose, lactate, pH,
and temperature sensors in the physiological relevant ranges.

low potentials eliminates interferences from other oxidizable metabo-
lites in sweat (e.g., uric acid and ascorbic acid) (Mickelsen and Keys,
1943; O’Halloran et al., 2001; Stefaniak and Harvey, 2006). The chro-
noamperometric response of the glucose and lactate sensors to
increasing glucose and lactate concentrations are shown in Fig. 2a-b and
Fig. 2c-d. The linear range of the sensors were 60 pM-1000 pM and 5
mM-20 mM for glucose and lactate sensors, respectively. While the
linear range of the lactate sensors cover both blood and interstitial fluid
levels, the linear region of the lactate sensor could be further extended to
cover sweat levels by decreasing the diffusion coefficient of the lactate
through the encapsulation layer (i.e., selection of proper encapsulation
layer material with a different substrate permeability), selecting a
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different electron-transfer system, or increasing the thickness of the
encapsulation layer (Payne et al., 2019; Rathee et al., 2016; Han et al.,
2007; Lyons, 2006; Stikoniene et al., 2010). Such improvements may
come at a cost of reduced signal magnitude.

The sensitivity of the glucose and lactate sensors were 26.31 + 0.63
pA mM t-em™2 (or 0.186 + 0.004 pA mM 1) and 1.49 + 0.20 pA
mM t.em™2 (or 0.011 + 0.002 pA mM 1), respectively. The specifica-
tions of the sensors fabricated in this study fall within specifications of
the previously reported glucose and lactate sensors that are character-
ized with a benchtop potentiostat (Supplementary Tables S7 and S8).
The differences in fabrication methods (e.g., drop casting, layer-by-layer
deposition, or electrodeposition), materials (e.g., electrode, nano-
particles, and encapsulating film), test conditions (e.g, applied poten-
tial, pH of test solution, stirring effect) results in sensors with varying
specifications. The storage stability of the sensors was tested by keeping
the fabricated sensors in a sealed Petri dish at 4 °C in a fridge. The
sensitivity of the glucose and lactate sensors decreased to 8.96 + 0.65
pA mM t-em™2 (or 0.064 + 0.005 pA mM~!) and 0.23 + 0.08 pA
mM tem™2 (or 0.002 + 0.001 pA mM™!) after 10 days storage,
respectively (Supplementary Fig. S5).

Sweat pH varies between 4.0 and 8.0 during an intense exercise
(Patterson et al., 2000; Robergs et al., 2004). In our flexible sensor array,
we electrodeposited electrically conductive polyaniline polymer as a pH
sensor (Supplementary Fig. S3b), whose protonation strongly depends
on the oxidation state of the polymer and the pH of the aqueous solution
(Song and Choi, 2013). The pH sensor was calibrated with standard
buffer solutions (Fig. 2e). The open circuit potential of the sensor vs.
printed Ag/AgCl reference electrode decreased in high pH buffer solu-
tions due to deprotonation of the polyaniline. The sensitivity of the pH
sensor was 54 + 3.61 mV-pH ! (Fig. 2f). The sensitivity of the PANI pH
sensor falls between the sensitivity range of other polymer or
oxide-based pH sensors (40-61 mV-pH ') (Chung et al., 2014; Nyein
etal., 2016; Salvo et al., 2017). The sensors showed good repeatability in
successive measurements of pH in buffer solutions (Supplementary
Fig. S3d).

Human skin temperature is dependent on body core temperature,
ambient conditions, and exercise intensity, and it varies between
roughly 25-40 °C (Abe et al., 1980; Saltin et al., 1972). A skin
conformable temperature sensor should be sensitive to the variations in
skin temperature. The serpentine-shaped temperature sensor on the
flexible sensor array (Fig. 1c) is made of a thin chromium/gold layer,
whose resistance varies with temperature (Fig. 2g and h). As the tem-
perature increases, the thermal vibrations of the atoms in the solid lat-
tice increases (i.e., phonons). The likelihood of electrons and phonons
collision increases, resulting in a resistance increase. The temperature
coefficient of resistance («) of the sensor was calculated as 0.002 °C’L.
The temperature coefficient values were similar to other thin-film-based
(e.g., platinum or gold) temperature sensors (Chen et al., 2015; Lacy,
2009).

3.3. System validation of the custom multiplexing system

The custom system was validated using commercial electrodes as
controls. First, cyclic voltammetry measurements of the ferricyanide/
ferrocyanide redox reaction were performed to demonstrate the opera-
tion of the custom hardware. A carbon working electrode, an Ag/AgCl
reference electrode, and a Pt counter electrode were used for all tests.
The electrodes were submerged an aqueous solution of 5 mM K3Fe(CN)g
and 1 M KClI (Fig. 3e and f). Similar cyclic voltammetry tests were also
repeated with a benchtop potentiostat. The ferricyanide/ferrocyanide
redox potentials and peak amplitudes obtained with the custom system
and the benchtop potentiostat were identical (Fig. 3a,e). In cyclic vol-
tammetry experiments, the resolution of the applied bias in our system
was set as a percentage of the reference voltage in the potentiostat. The
resolution of the applied bias in the custom designed potentiostat is 0.1
V, which is less than the resolution of the commercial benchtop
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Fig. 3. System validation of the custom multiplexing system. (a, b) Benchtop potentiostat cyclic voltammetry and peak current vs. square root of scan rate graphs in
5 mM KsFe(CN)g and 1 M KCl in 1X PBS. R? is 0.99 for both anodic and cathodic peaks. (c, d) Chronoamperometry measurements with a benchtop potentiostat in an
aqueous solution of GOy (10 mg mL™!) and KsFe(CN)g (10 mg mL~Y) in 1X PBS solution (n = 3). Bias: —0.1 V, pH 7.4. (e, f) Custom system cyclic voltammetry and
peak current vs. square root of scan rate graphs in an aqueous solution of 5 mM K3Fe(CN)g and 1 M KCl in 1X PBS. R? is 0.98 and 0.97 for anodic and cathodic peaks,
respectively. (g, h) Chronoamperometry measurements with the custom system in an aqueous solution of GOy (10 mg mL ') and KsFe(CN), (10 mg mL™?) in 1X PBS
(n = 3). Bias: —0.1 V, pH 7.4. (i) Intraelectrode crosstalk study within the same channel. “WE;.;, WE;.5, WE;_3, and WE;.4”: First, second, third, and fourth working
electrodes of the first channel, respectively. (j) Interelectrode crosstalk study among different channels. “WE;.;, WE5.;, and WE3_; ”: The first working electrode of the
first, second, and third channels. Each arrow on the graphs indicates the time when the given electrode is electrically disconnected.

potentiostat (0.2 mV) (Supplementary Table S3). The resolution of the
applied bias could be further increased by decreasing the reference
voltage of the potentiostat. The peak current of oxidation and reduction
was proportional to the square root of the scan rate, indicating that the
surface reaction on the electrode is reversible and diffusion-controlled
(Fig. 3b,f). Similarly, we verified the chronoamperometric response of
our custom system by performing standard enzymatic glucose and
lactate assays. The enzymatic oxidation of glucose (1 pM-600 pM) and
lactate (1 mM-40 mM) were measured in corresponding enzyme and
mediator solutions (i.e., GOy + K3Fe(CN)g in 1X PBS or LOy + K3Fe(CN)g
in 1X PBS) (Fig. 3g and h and Supplementary Figs. S12c and d and
Figs. S12g and h). The same experiments were also repeated with the
benchtop potentiostat (Fig. 3c and d and Supplementary Figs. S12a and
b and Figs. S12e and f). Our custom designed system was able to
differentiate the addition of glucose or lactate into the cell similarly to
the benchtop potentiostat. It is important to note that magnitude of the
cathodic current decreased as we increased the concentration of glucose
or lactate in the test solution, which was different from the response
when the enzyme was functionalized on the electrode surface (Fig. 2a
and b). This different trend may be attributed to the electron transport
differences between enzyme and the electrode surface when they are
either immobilized on an electrode surface or dispersed in an aqueous
solution. Since glucose does not dissociate into ions in water, increasing
the glucose concentration in the test solution and conformational
changes of the protein make it even more difficult to transfer the elec-
trons from redox site of the enzyme to the electrode surface.

It is crucial to have a crosstalk-free operation of glucose, lactate, pH,
and temperature sensors fabricated as a part of the flexible sensor array.
The intraelectrode crosstalk is defined as the interference between the
four working electrodes for a given channel. Similarly, the interelec-
trode crosstalk is defined as the interference between the working
electrodes of the three separate channels. Thus, we performed intra-
electrode and interelectrode crosstalk tests in an aqueous solution to
investigate potential interference from surrounding electrodes. For the
intraelectrode crosstalk test, four working electrodes (i.e., commercial
carbon electrodes) with shared common and reference electrodes of one
potentiostat and pH electrodes were submerged into the test solution
(explained in detail in Materials and Methods section). In case of the
interelectrode crosstalk test, only the first working electrode of each
channel, separate counter and reference electrodes, and the pH elec-
trodes were submerged into the test solution. Only the first electrode of
each channel is used because one working electrode is electrically
connected to a potentiostat per channel for a given time. After the signal
acquisition was started, the electrodes were disconnected sequentially to
observe if there would be any shift in baseline current. Any shift in the
baseline current would indicate a possible crosstalk. It was demon-
strated that disconnecting each working electrode sequentially in the
intraelectrode test did not cause any intermittent noise in the chro-
noamperometric readings of the surrounding electrodes since the
working electrodes were connected to the virtual ground when they
were not in use (Fig. 3i and Supplementary Figs. S6a-b). In the typical
operation, such as intraelectrode switching, the SPDT multiplexer
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connects only one working electrode to the potentiostat with a working
electrode bias of 1 V and all the others to the virtual ground of 1 V.
Similarly, there was no interelectrode crosstalk observed (Fig. 3j).
With the sensors characterized with the benchtop potentiostat in the
Section 3.2, we proceeded to measure our sensors with the custom
multiplexing system. The chronoamperometric responses of the glucose
and lactate sensors were tested separately in the range of 0-1000 pM and
0-40 mM in 1X PBS, respectively (Fig. 4a and c). The cathodic current
increased with addition of glucose or lactic acid into the test solution. In
the wearable system, the output of sensors were plotted in volts, which
can be further converted to current using the Supplementary Table S3.
The glucose sensor showed a linear response up to 1000 pM, while the
lactate sensor showed a linear response up to 15 mM. The small varia-
tion of the linear region of the lactate sensor may be attributed to process
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sors, respectively.

Biosensors and Bioelectronics 153 (2020) 112038

variability of the drop-casting method. The sensitivity of glucose and
lactate sensors with the custom PCB was 0.84 + 0.03 mV pM ™~ '-cm~2 and
31.87 + 9.03 mV mM -cm 2, respectively. The amperometric signal
measured with the custom PCB system was noisier than the signal ac-
quired by the benchtop potentiostat due to an advanced filtering in the
benchtop potentiostat. Therefore, a moving average with a window size
of 11 was applied to smooth the chronoamperometric data. To minimize
the effect of sample-to-sample variation during the sensor fabrication
caused by the electrodeposition, drop casting, and the contribution of
the other electrical interferences, the calibration graphs of the glucose
and lactate sensor with the custom system were plotted as voltage dif-
ference (AV = Vo mm — Vfinal concentration) VS. concentration in Fig. 4b and
d. Similarly, Fig. 4e and f shows the voltage output of the pH sensor in
the buffer solutions from pH 4 to 8. The pH response of the sensors
decreased as the test solution became more basic, similarly to the
benchtop system measurements (AV = Vfina) pH — VpHa). The sensitivity
of the sensor with the custom system was calculated as 57.18 + 1.43
mV-pH ™. Fig. 4g and h shows the response of the temperature sensor
when the temperature was varied from 23 to 42 °C. The sensitivity of the
sensor with the custom system was calculated to be 63.4 pvV-°C™! (AV =
Vasec — Vfinal temperature)-

3.4. Simultaneous measurement of glucose, lactate, pH, and temperature

The multiplexing system with the flexible sensor array was evaluated
by sequential addition of glucose and lactic acid into the test solution
(sampling frequency = 10 Hz). The full data was provided in Supple-
mentary Fig. S13 and Fig. S14 for successive additions of 200, 400, and
600 puM of glucose and 5, 10, and 15 mM of lactic acid into the test
solution with 5 min intervals. The unfiltered response of sensors to 400
pM glucose and 10 mM lactic acid additions is shown in Fig. 5a and b,
respectively.

Addition of glucose into the test solution resulted in a drop in the
cathodic current in all working electrodes that were functionalized for
glucose sensing (WEj.; to WE;_4). The output of the four glucose sensors
were slightly different due to the variations in their fabrication pro-
cesses. It was reported that use of multiple (redundant) electrodes for
sensing of a specific analyte improved the accuracy, consistency, and
reliability of measurement in amperometric measurements (Schmidtke
et al., 1996; Sharifi et al., 2016; Ward et al., 2003). These improvements
were achieved by either combining the mean or median of multiple WEs
outputs or applying intelligent algorithms with time-varying weight
factors. In our case, the effect of sensor-to-sensor variation on the
determination of the concentration of glucose in the solution was
minimized by averaging the responses of the four glucose sensors. The
concentration of the glucose in the solution was calculated using the
voltage output of the system and the sensitivity of the glucose sensor.
The baseline current did not change for the blank electrodes (WEy; to
WE,.4), lactate sensors, and pH sensors after the glucose addition. Dur-
ing testing, the addition of the test solution created noise because of the
disruption of the electrode-electrolyte interface (grey regions in Fig. 5a
and b). The responses of all sensors to 10 mM lactic acid solution are
shown in Fig. 5b. The lactate sensors (WE3.; to WE3_4) responded to the
lactic acid addition with a decrease in cathodic current. The concen-
tration of the lactic acid in the solution was calculated using the average
output of the lactate sensors. The calculated lactate concentration
showed an increase in lactic acid levels. Furthermore, the addition the
lactic acid into the solution lowered the overall pH of the solution, which
was detected with a sharp peak in the output of the pH sensor. This
caused the calculated pH values to be close to zero upon the initial
addition of lactic acid, but a steady-state level was reached (pH 4.8) as
the lactic acid diffused through the solution. This sudden change may be
due to the voltage change across the reference electrode with the lactic
acid addition, which could be minimized by encapsulating the reference
electrode with NaCl loaded polymeric membranes (Guinovart et al.,
2014). Similar pH sensor trend was observed for 5 and 15 mM lactic acid
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Fig. 5. Multiplexed reading of glucose, lactate, pH, and temperature with a custom-designed multiplexed system in 1X PBS solution. The plots are replotted from the
highlighted regions of the Supplementary Fig. S13. (a) Multiplexed measurement of glucose, lactate, pH, and temperature after addition of glucose into the test
solution (final concentration of glucose in the test solution: 400 pM). (b) Multiplexed measurement of glucose, lactate, pH, and temperature after addition of lactic
acid into the test solution (final concentration of lactic acid in the test solution: 10 mM). Conditions of the chronoamperometric measurements (bias: —0.1 V, pH: 7.4,
working electrode area: 0.03 cm?). The grey highlighted region in (a) and (b) shows the noise generated due to pipetting the analyte solution into the test solution.
WE1.; to WE;_4: glucose sensors, WE5.; to WE5_4: blank electrodes, WE3.; to WE3_4: lactate sensors (WE,.y, for x: 1,2,3 and y: 1,2,3,4, where x and y indicate the

channel number and the working electrode number, respectively).

additions as well (Supplementary Fig. S13 and Fig. S14). The output of
the glucose sensors and blank working electrodes slightly changed by
the lactic acid addition. The change in the response of the glucose sensor
may be attributed to variation in electrochemical activity of the Prussian
blue mediator and glucose oxidase in acidic solutions. The lactic acid
addition created significant noise in WE;_4 (glucose sensor). However,
the effect of the lactic acid addition on the calculation of glucose con-
centration in the solution was minimized by averaging the responses of
four glucose sensors (WE;.; to WE;_4). The output of the temperature
sensor did not change throughout the testing. The grey highlighted re-
gions in Fig. 5 shows generated noise due to motion artifacts. The mo-
tion artifacts were introduced due to the variations of the speed and the
volume of the pipetting as well as the sensor movement throughout the
duration of the measurement. In wearable sweat sensing applications,
the fluid management for the wearable sensor is not going to include
pipetting volumes of analytes; therefore, this type of noise generation
may not be experienced.

Off-body analysis of collected sweat samples was performed with the
multiplexed sensing system. Approximately 1.2 mL of sweat was
collected from Subject 1 and 2. The amount of sweat collected from the
last subject was less than 200 pL; therefore, it was not included in the
testing. The concentration of glucose and lactate in the collected sweat
samples were quantified with commercial fluorometric and colorimetric
assays (Supplementary Table S9). The as-collected concentration of
glucose was 24.25 pM and 40.17 pM for Subject 1 and 2, respectively.
The as-collected concentration of lactate was 40.36 mM and 39.35 mM
for Subject 1 and 2, respectively. The as-collected sweat sample (150 pL)
was drop-casted on the flexible sensor and its multiplexed analysis was

performed with the custom system. The results are shown for the both
subjects in Supplementary Fig. S15 and Fig. S16. To test the response of
the custom system in real sweat samples, glucose and lactate were
supplemented into the as-collected sweat samples; an additional amount
of 1 mM glucose solution and 1 M lactic acid solution were sequentially
added to the sample volume. For both subjects, response of the custom
system was as expected. The addition of glucose and lactic acid to the as-
collected sweat sample resulted in a decrease in the sensor’s output (i.e.,
increased enzymatic current generation). The output of the pH sensor
increased (i.e., became more acidic) and the output of the temperature
sensor remained unchanged. Similar tests were repeated with a com-
mercial, artificial sweat solution and showed comparable trends in the
sensor outputs (Supplementary Fig. S17).

It is important to note that the sensors in our study were calibrated in
1X PBS solution in Fig. 4. While the relative response of the sensors to
different analyte concentrations was comparable, the absolute values of
the sensor output varied across the different media, i.e. human sweat
versus 1X PBS. For example, the absolute current generation of lactate
sensor in 1X PBS was higher than absolute current generation of the
artificial sweat with added lactic acid (Supplementary Fig. S17b). This
suggests that the calibration curves or reference tables for the sensors
must be developed in comparable, complex media compositions and
conductivities. If calibration curves of the enzymatic sensors are
generated in simplified conditions, operation in real sweat may lead to
innacruate calculation of the true concentrations of metabolites. To
minimize this error, future calibration of such sensors should be per-
formed in artificial sweat solution that has similar composition and
conductivity as real sweat, or the system can be used to make relative
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response measurements after setting a baseline value in the operational
media, e.g. sweat, saliva, or interstitial fluid.

4. Conclusion

In this study, we have demonstrated a custom designed multiplexing
system with a flexible sensor array for a multiplexed detection of
glucose, lactate, pH, and temperature. The flexible sensor array is
disposable and can be easily mounted on the custom-designed board for
multiplexed, wireless, simultaneous, and continuous readout from all
sensors. Utilization of the custom multiplexing system enables fast and
simultaneous readout from multiple working electrodes. The custom
multiplexing system consumes 15 mA during active measurement and
data transmission, costs $92 per unit, and has a wearable form factor
(40 x 40 x 9 mm). The system demonstrates comparable performance to
benchtop hardware for conventional cyclic voltammetry and chro-
noamperometry. In vitro tests demonstrated that the system can quan-
tify and discriminate between two metabolic biomarkers present in
sweat—glucose and lactate. These measurements are made in parallel
with the characterization of pH and temperature in typical physiological
ranges. Utilization of the redundant electrodes along with the custom
multiplexing system enables accurate calculation of the analyte levels in
the test solution. Future work will focus on further optimization of the
system at different pH and temperatures for compensating any potential
enzymatic activity loss of the glucose and lactate sensors. This wearable
system is a promising demonstration of the necessary measurement tools
for non-invasive, wireless, and continuous electrochemical measure-
ment of biomarkers in sweat.
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