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Abstract—Electrochemical sensor-integrated wearable devices 

can noninvasively monitor biomarkers present in sweat and 
interstitial fluid to provide insights on physiological health status. 
Current approaches often require rigid electrical components for 
signal processing and data transmission, which can negatively 
impact wearability. Passive sensing formats to eliminate rigid, 
discrete electronics have been explored but are largely limited to 
single marker detection. We investigate an alternative passive 
multiplexed sensing paradigm in which an entire system can be 
constructed in a thin, flexible film using polymer microfabrication 
techniques. Cortisol and sodium were selected as model molecules 
for the purpose of demonstrating wireless biomarker 
measurement using this system based on the principle of reflected 
impedance. Presence of each triggers changes in different circuit 
components of the secondary side equivalent, further 
demonstrating that sensing via different modes is possible using 
this a proof-of-concept multiplexed biomarker sensor constructed 
entirely on a flexible and biocompatible thin film. 

Keywords—Electrochemical sensors, multiplexed sensing, 
wireless sensing, passive sensing, wearable device 

I. INTRODUCTION  
Wearable devices have garnered increased interest as a 

format for non-invasive monitoring of analytes in sweat or 
interstitial fluid. Most approaches involve the integration of 
sensors on a flexible substrate with rigid, off-the-shelf electronic 
components for signal processing and data transmission which 
limit achievable device profile and wearability [1], [2]. Passive 
sensing mechanisms, which eliminate the need for discrete 
electronics, have been reported but are often limited to single 
marker detection. 

We previously introduced a new concept for wireless and 
passive transduction of electrochemical impedance using 
reflected impedance and is accomplished without integrated 
circuits or discrete electrical components [3]. Briefly, the 
sensing modality utilizes the inductive coupling present between 
a primary and secondary coil. As the load on the secondary coil 
changes, the impedance readout of the primary coil is also 
affected, therefore achieving passive transduction through 
interrogating primary coil impedance. A prototype 16-turn 
microfabricated thin coil terminating in square electrodes was 

used to demonstrate the concept but suffered from low 
sensitivity, largely stemming from the suboptimal sensor layout. 
An improved layout was explored which used a bridge capacitor 
to simplify fabrication and a pair of interdigitated electrodes 
(IDEs) for the sensing interface [4]. The IDE format increased 
sensing surface area which in turn lowered the baseline and 
increased sensitivity. Since two distinct metal layers are required 
to form the IDEs, a bridge capacitor provided a convenient 
alternative to using a via while also providing a means to tune 
coil resonance and overall performance. Three distinct 
electrochemical biomarker sensing modes (enzymatic sensing, 
immunosensing, and aptasensing) were realized and 
demonstrated by using different functional coatings on the IDEs.  

Here, we expand on our original concept and report a novel, 
compact multiplexed sensing system suitable for wearable 
applications. The system consists of a single primary coil for 
readout and two nested microfabricated secondary coils attached 
to sensing IDEs (Fig. 1A). The device is embedded in a thin, 
flexible film that conforms well to the human skin (Fig. 1B). 

 
Fig. 1. (A) Optical image of device compared to a U.S. quarter. Scale bar = 1 
cm. (B) Optical image of flexible device conforming to arm of volunteer. Scale 
bar = 1 cm. (C) Closeup image showing details of secondary coil A and location 
of its associated bridge capactor and IDE. Scale bar = 2 mm. (D) Closeup image 
showing details of both secondary coil A and B, location of their bridge 
capacitors, and secondary coil B’s IDE. Scale bar = 2 mm.  
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The two secondary coil geometries (A & B) were designed 
to resonate at different frequencies and provide sensing 
selectivity (Fig. 1C and 1D). Each coil included an dedicated 
IDE pair for sensing that was treated using a different surface 
modification technique. Device A’s IDE surface was modified 
to be sodium selective using an ion selective membrane whereas 
Device B’s IDE surface targeted cortisol via an aptamer. To 
minimize footprint of the readout system and achieve matching 
resonant frequencies between the primary coil and the secondary 
coil for optimized sensitivity, a tuning circuit was utilized to 
achieve two resonant frequencies while using only single 
primary coil. The sensing system was first characterized then 
multiplexed detection of two biomarkers was demonstrated. 

II. METHODS 

A. Device Fabrication 
The sensing system was fabricated using standard Parylene 

C microfabrication techniques [5]. Briefly, a 10-micron thick 
Parylene C layer was deposited onto a 4-inch silicon wafer via 
chemical vapor deposition (CVD). Two metal layers (10 nm Ti/ 
300 nm Au deposited via e-beam both at 2 Å/s), separated by a 
4-micron thick Parylene C layer, were photolithographically-
patterned to realize the coil, bridge capacitor, and IDEs. A 10-
micron thick Parylene C passivation layer covered the majority 
of the device except for the IDEs which were exposed using a 
deep reactive ion etcher. 

B. Testing Setup 
The testing setup to characterize the sensing system is 

summarized in Fig. 2A. An LCR meter and a custom-built 
LabVIEW user interface was used to sweep frequency across the 
targeted range and record the impedance response. A 
commercially available wireless power transfer coil was used as 
the primary coil (Fig. 2B). A tuning circuit consisting of an 19 
µH inductor was used to tune the primary coil resonant 
frequency when needed. 

 
Fig. 2. (A) Illustration depicting testing setup. (B) Optical image showing 
wireless power transfer coil used for primary coil readout. Scale = 1 cm. 

C. Multiplexed Sensing Theory 
The working principle of passive electrochemical biomarker 

sensing was adopted from our prior work [4]. Each secondary 
coil has a gold IDE with the surface modified to be selective to 
a biomarker, either cortisol or sodium. As the biomarker 
concentration changes in the vicinity of the sensor, the 
associated sensor response can be quantified by interrogating the 

primary coil’s impedance response. Cortisol sensing is likely a 
faradaic process. The unbound end of the aptamer is modified 
with methylene blue, a common redox probe. When aptamer 
binds to cortisol, methylene blue moves closer to the electrode 
surface and induces a detectable charge transfer resistance 
change [6]. Ion sensing relies on the selectivity provided by the 
ion selective membrane and does not rely on the electroactive 
properties of gold sensor surface. Multiple circuit elements 
(solution resistance, ion selective membrane capacitance, and 
membrane coating related constant phase element) may 
contribute to the response, depending on variables such as the 
testing frequencies and ion concentrations [7]. 

Multiplexed sensing sensitivity and selectivity stems from 
the difference in resonant frequencies between the two coils as 
well as the inherently different electrochemical sensing modes. 
When the tuning circuit is disconnected, the primary coil 
resonates with secondary coil B and therefore is sensitive to 
cortisol level changes (Fig. 3A). When the tuning circuit is 
connected, the primary coil resonant frequency shifts and now 
resonates with secondary coil A, which is sensitive to sodium 
level changes (Fig. 3B). 

 
Fig. 3. Equivalent circuit model for the primary and secondary circuits. (A) 
The tuning circuit is disconnected and the primary coil resonates with 
secondary coil B. Changes in cortisol level induces detectable changes in 
charge transfer resistance. (B) The tuning circuit is connected and the primary 
coil resonantes with secondary coil A. Changes in sodium level induces various 
circuit component changes and that can be detected by the primary coil reader. 

D. Sensing System Characterization 
The individual coil/sensor pairs (A & B) were characterized 

prior to surface modification. First, the influence of alignment 
accuracy with the primary coil was investigated. Each 
secondary coil was centered and sensitivity evaluated using 
protocols introduced previously [4]. Briefly, sensors were 
exposed to varying solution conductivities from 0 to 160 
mS/cm. Vertical separation distance was characterized by 
stacking 1 mm thick glass slides between the primary and 
secondary while using 1× PBS as the test fluid. Both impedance 
magnitude at resonance and resonant frequency were recorded 
and used for evaluation in all characterization studies. 

E. Sensor Surface Modification Protocol 
IDE surfaces were first cleaned using Nanostrip for five 

minutes. Cortisol aptamer functionalization process took place 
in a dark at room temperature while sodium selective membrane 
modification was performed in ambient environment. 
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Cortisol targeting aptamer was immobilized on the sensor 
surface [6]. Briefly, 100 µM of aptamer solution was first 
incubated with excess tris(2-carboxyethyl) phosphine (TCEP) 
for 1 hour followed by dilution into 500 nM in 1× phosphate-
buffered saline. The sensor was incubated in the aptamer 
solution for one hour followed by overnight incubation in 10 
mM 6-mercapto-1-hexanol (MCH) solution. 

A sodium ion selective membrane process was adopted from 
previous work [8]. Since gold does not provide robust ion-to-
electron transduction, single walled carbon nanotubes 
(SWCNTs) were selected for its well-controlled structures and 
tunable surfaces [9]. SWCNT ink was first drop casted onto the 
sensor surface and baked at 50 °C for one hour to evaporate 
solvents, followed by drop casting sodium selective sensing 
membrane onto the SWCNT surface and drying overnight to 
provide sufficient bonding between the two drop casted layers. 
Finally, the sensor was conditioned in 300 mM NaCl solution 
for thirty minutes to facilitate sufficient ion exchange. 

F. Biomarker Sensing 
 A calibration curve for each sensor was first established in 
varying concentrations of target molecule at physiological 
relevant ranges in 1× PBS. The thin-film device was held in a 
petri dish and positioned above the primary coil based on 
alignment characterization results. Multiplexed sensing was 
demonstrated and responses of both coils were recorded at 2-
minute intervals. At the beginning, 175 mM sodium and 750 
mM cortisol in 1× PBS were introduced into the system. Next, 
sodium concentration was lowered to 125 mM while holding 
cortisol at 750 mM. Finally, cortisol concentration was reduced 
to 250 mM while keeping sodium at 125 mM. 

III. RESULTS 
The impedance spectra of the primary coil revealed a 12.3 

MHz resonant frequency (Fig. 4A). After connecting to the 
tuning circuit, the resonant frequency recorded was 15.5 MHz 
(Fig. 4B), demonstrating the feasibility of using a tuning circuit 
to achieve two resonant frequencies with a single primary coil.  

 
Fig. 4. Impedance spectra of primary coil when the tuning circuit was (A) 
disconnected and (B) connected. 

 Secondary coil misalignment with the primary coil changed 
the coupling coefficient and therefore affected sensitivity. The 
two secondary coils in the system have offset centers, resulting 
in a 2 mm misalignment between the aligned and unaligned 
coils. As shown in Fig. 5A and 5B, secondary coil A sensor 
response was more significantly impacted by misalignment 
whereas there was minimal impact due to misalignment on the 
coil B sensor response (Fig. 5C and 5D). Therefore, subsequent 
experiments involving both coils used the strategy of only 
aligning the primary to secondary coil A. 

 As the distance between the primary and the secondary coils 
increased, the inductive coupling strength changed, negatively 
impacting sensitivity. Both secondary coil A and B sensors 
exhibited a similar trend as both impedance magnitude as well 
as resonant frequency increased in response to increasing 
separation distance (Fig. 6A and 6B). As expected, a decrease in 
sensitivity was observed in both coils, where the sensor for coil 
A became nearly unresponsive at 10 mm separation distance 
(Fig. 6B and 6C) and coil B’s sensor sensitivity reduced by more 
than half at the same separation distance (Fig. 6E and 6F). 

 
Fig. 5. A comparison between secondary coil A sensor’s (A) impedance and 
(B) resonant frequency response when either coil A or B is aligned with the 
primary. The same comparison for secondary coil B sensor’s (C) impedance 
response and (D) resonant frequency response.  

 

Fig. 6. Response to coil separation for secondary coil (A) A and (D) B sensors. 
Impedance magnitude response to varying solution conductivies over 0 to 10 
mm of separation for secondary coil (B) A and (E) B sensors. Resonant 
frequency response to varying solution conductivies over 0 to 10 mm of 
separation for secondary coil (C) A and (F) B sensors. 
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 Sensor surfaces were modified with respective biomarker 
recognition elements and a calibration curve was constructed. 
As shown in Fig. 7A, both the impedance magnitude and 
resonant frequency for the secondary coil B sensor exhibited a 
linear response to cortisol concentration. On the other hand, only 
the impedance magnitude response for secondary coil A sensor 
was linearly correlated to sodium concentration; resonant 
frequency response was nonlinear (Fig. 7B).  As such, only 
impedance magnitude response was monitored for multiplexed 
sensing experiments. 

The secondary coil B sensor exhibited excellent sensitivity 
and selectivity during multiplexed testing, where the impedance 
magnitude increased with a decrease in cortisol concentration, a 
trend matching its calibration curve. There was no change in 
response when sodium concentration varied (Fig. 7C). On the 
other hand, the secondary coil A sensor exhibited poor 
selectivity; impedance response increased with decreasing 
sodium concentration but also increased in response to 
decreasing cortisol concentration (Fig. 7D). 

 
Fig. 7. (A) Secondary coil B sensor response to varying cortisol concentration. 
(B) Secondary coil A sensor response to varying sodium concentration. The 
green highlighted region indicates normal physiolgical levels and red indicates 
an abnormal elevated level. (C) Secondary coil B sensor response during 
multiplexed sensing. (D) Secondary coil A response during multiplexed study. 

IV. DISCUSSION AND CONCLUSION 
In this work, we demonstrate the potential of a wireless, 

passive multiplexed wearable biomarker sensing system 
consisting only of a thin film, providing an alternative to 
conventional approaches that use active electronics integrated 
with sensors onto a flexible substrate. The thin film format may 
be preferred in applications where a low profile, conforming 
device is required. 

Both cortisol and sodium sensing were demonstrated and 
while the selectivity needs to be improved for the secondary coil 
A, this is likely achievable by addressing parasitic coupling 

between coil B and the primary coil at the frequency where only 
coil A should produce measurable responses. This is being 
investigated in ongoing work. 

Also, biomarkers were only tested in a simple biofluid model 
(1× PBS) which is sufficient to demonstrate the concept. Future 
studies will require evaluation in more realistic test fluids such 
as artificial serum, interstitial fluid, or sweat. This will allow 
further evaluation of interfering species as well as development 
of new surface functionalization strategies to incorporate 
detection of other biomarkers . 
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