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ABSTRACT

The rise of wearable sensing through smartwatches and continuous glucose monitors
has made health data more widely accessible. Advances in machine learning have
also been pivotal in identifying personalized health insights from biometric data
streams. However, continuous biochemical data has been limited in sensor design
by the availability of oxidoreductases (e.g., glucose oxidase, lactate dehydrogenase)
to a given target. The challenge in engineering diverse oxidoreductase enzymes has
led to the exploration of other generalized approaches to continuous electrochemical
biosensing. To meet this need, we have explored a variety of bioaffinity sensing
schemes using broad bioreceptor classes including antibodies, nucleic acids, and
periplasmic binding proteins. We present a case study in electrochemical sensor
design utilizing high-affinity antibodies for the rapid diagnosis of COVID-19 dis-
ease states. We then investigate the potential of nucleic acid-based electrochemical
sensors for continuous sensing with a focus on structure-switching nucleic acid ap-
tamers. The utility of aptamer sensors is demonstrated in the development of a sero-
tonin aptamer sensor embedded in an ingestible capsule for continuous biosensing in
the gastrointestinal tract. Applying the principles of electrochemical aptamer-based
sensing, we explored the development of an electrochemical protein-based sensor
for nicotine, which exploits the hinge-like binding motion of periplasmic binding
proteins while also capitalizing on decades of protein evolution and characteriza-
tion research. With the goal of continuous, noninvasive biochemical sensing, we
evaluate the design considerations and translatability of these sensors for wearable
sweat analysis. These biosensing techniques may enable the future hardware neces-
sary to expand accessible biomedical data for the next wave of personalized health
monitoring.
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C h a p t e r 1

INTRODUCTION

Real-time health monitoring is key to medical diagnosis, intervention, and preven-
tion. Biosensing through noninvasive wearable devices, such as smart watches,
allows for continuous personalized health monitoring. Wearable physical sensors
have been well-developed to noninvasively collect continuous vital sign data but
provide minimal information to understand physiological changes. Therefore, in-
creased quantity and diversity of high-quality biochemical data is needed to make
better diagnostic predictions.

Electrochemical biosensors convert a molecular recognition event to a measurable
electronic signal. The fundamental components of electrochemical sensor design
include a biorecognition element, a signal transducer, a conductive interface, and
processing electronics. Bioaffinity sensors utilize bioreceptors with a selective
binding affinity for a target analyte. The intrinisic properties of the bioreceptor
impact the operational performance of the sensor, including sensitivity, selectivity,
stability, and regeneration. Key characteristics of the bioreceptor may also inform
the signal transduction scheme.

Antibody-based biosensors are among the most common type of bioaffinity sensor.
This is because they are high-affinity binding, allowing for ultrasensitive detection,
and because they can be produced against diverse biomolecules. Antibodies have
typically been used for the sensitive and selective detection of biomarkers through
qualitative at-home tests, or quantitative lab-based enzyme-linked immunosorbent
assay (ELISA) testing.

Considering COVID-19, we developed an ultrasensitive, multiplexed electrochemi-
cal sensor for the detection of COVID-19 antibodies, antigen, and C-reactive protein
(CRP) to deliver rapid and quantitative results regarding a patient’s infection sta-
tus and severity (Chapter 2). The sensor was based on laser-engraved graphene
electrodes with a sandwich ELISA scheme. HRP-conjugated detector antibodies
labeled the bound target and facilitated a redox reaction that could be measured via
chronoamperometry. Using high-affinity antibody-decorated electrodes, we were
able to detect four biomarkers of interest simultaneously with high sensitivity and
high selectivity in under 10 minutes of sample addition. While antibodies work well
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as high-affinity biorecognition elements, irreversible binding and multistep labeling
limits their applications to single-use assays.

In contrast to rapid diagnostics, continuous monitoring is important for a variety of
health conditions and may be used for precision medicine and predictive diagnos-
tics. Wearable continuous glucose monitors (CGM) have revolutionized diabetes
management. Glucose oxidase is the constitutive enzyme of CGM sensors. As
an oxidoreductase, glucose oxidase acts as regenerative bioreceptor and an electro-
chemical transducer. However, the challenge in engineering diverse oxidoreductase
enzymes has limited the breadth of continuous biochemical sensors. To meet
this need, we explore other generalized approaches to continuous electrochemical
biosensing.

To achieve continuous sensing, we investigated two classes of high-affinity, folding
biorecognition elements: (i) nucleic acid-based aptamers (Chapters 3 and 4) and (ii)
periplasmic-binding proteins (PBP) (Chapter 5). While aptamers are a relatively new
sensing element with unpredictable selection of reversible binding schemes, they
present as a robust bioreceptor with simple redox moiety labeling for electrochemical
signaling upon folding. The same signaling scheme may be applied to the well-
characterized class of membrane receptors known as periplasmic-binding proteins.
A broad database of PBPs exist, which can be further expanded through protein
engineering techniques such as site-directed mutagenesis. By nature, PBPs elicit
a large, reversible hinge-like binding motion. Employing these characteristics and
applying electrochemical aptamer-based (EAB) sensing schemes, a new class of
continuous electrochemical PBP (ePBP) sensors will be introduced.

Continuous electrochemical sensors may be implemented in both wearable and
implantable form factors. To monitor localized gastrointestinal health and study
the gut-brain axis, we developed an ingestible capsule incorporating an aptamer-
based serotonin sensor (Chapter 4). The sensor continuously measures intestinal
fluid serotonin levels as the capsule moves through the length of the gastrointestinal
tract. We also consider the application of wearable sweat sensing (Chapter 6) and
present a discussion of sweat physiology and induction to inform the feasibility of
an ePBP-based nicotine sweat sensor.

In this work, we research the biorecognition bottleneck of continuous sensing.
Combined with platform advancements including sweat induction, sweat collection,
microfluidics, conductive nanomaterials, flexible electronics, and signal processing
methods, we progress closer to the goal of broad spectrum continuous, noninvasive
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biochemical sensing. Looking forward, we evaluate the translation and path to com-
mercialization of these sensors for wearable sweat analysis (Chapter 6). Continuous
wearable sensing technology may ultimately expand accessible biomedical data for
the next wave of personalized health monitoring.
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C h a p t e r 2

AFFINITY SENSORS FOR POINT-OF-CARE COVID-19
DIAGNOSIS

Materials from this chapter appear in:
Rebeca M. Torrente-Rodríguez et al. “SARS-CoV-2 RapidPlex: A graphene-based
multiplexed telemedicine platform for rapid and low-cost COVID-19 diagnosis and
monitoring”. Matter 2020, 3 (6), 1981–1998. doi: 10.1016/j.matt.2020.09.
027

Heather Lukas et al. “Emerging telemedicine tools for remote COVID-19 diagnosis,
monitoring, and management”. ACS Nano 2020, 14 (12), 16180–16193. doi:
10.1021/acsnano.0c08494

On March 11, 2020, the World Health Organization characterized the COVID-19
outbreak as a pandemic. Six months later, the global health crisis had continued
with over 30 million confirmed cases of novel coronavirus globally, with over 22%
of these being in the United States.[1] It is estimated that 14%–20% of patients
will develop severe illness requiring hospitalization.[2] Initial efforts to mitigate the
spread through state-mandated "stay-at-home" orders appeared effective; however,
reopening of the United States economy resulted in renewed exponential spread of
novel coronavirus, as predicted.[3] It is estimated that the United States gross do-
mestic product will suffer losses upward of $45.3 billion during a flu-like pandemic
without available vaccines1.[5] Safe reopening of the economy, schools, and univer-
sities requires multiple approaches to mitigate the risks associated with COVID-19,
including simple, affordable, and effective test-and-trace measures.

Containing the spread is difficult due to the challenges in identifying infectious
individuals. Most COVID-19 community spread may occur in the absence of symp-
toms. Peak viremia may be at the end of the incubation period, allowing for a
transmission-sufficient viral load 1-2 days prior to symptom onset.[3] Additionally,

1Retrospective macroeconomic studies estimate that the economic toll in the United States was
a loss of $14 trillion by the end of 2023. Direct U.S. healthcare costs driven by hospitalizations were
approximated around $200 billion over the first two years of the pandemic.[4]
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due to the unknown duration and prevalence of asymptomatic cases, the true repro-
duction number may be underestimated.[6, 7] Reported incidence of asymptomatic
patients ranges from 17.9% to 30.8%.[8, 9]

Increased access to COVID-19 testing has allowed increased monitoring of the com-
munity spread, but several diagnostic challenges remain. Currently, the standard
testing method is viral nucleic acid real-time polymerase chain reaction (RT-PCR),
which is a slow process and requires expensive equipment and trained technicians for
nasopharyngeal swab sample collection and analysis.[10] In addition, the sheer vol-
ume of testing required is overwhelming the ability for healthcare systems to report
RT-PCR results to patients, causing, in some states, delays of ∼7-10 days to inform
positive[11] findings and enact isolation and monitoring protocols. Despite the re-
cent advances on point-of-care (POC) rapid RT-PCR test,[12, 13, 14, 15, 16] nucleic
acid tests are also known to produce false negatives, which may limit containment
strategies and access to treatment.[17] An additional consideration for RT-PCR is
that it only identifies active carriers of the virus. Identifying convalescent persons
based on COVID-19 antibody presentation is equally important as it may provide
health officials with crucial information regarding the potential impact of reopening
measures. Serologic assays detect circulating antibodies specific to SARS-CoV-2
antigens, including the nucleocapsid protein and the outer spike protein.[10, 18, 19]
However, it is not possible to differentiate between asymptomatic carriers and im-
mune persons using antibody detection. Therefore, to effectively mitigate the risks
of COVID-19 community spread, systems are required that determine simultane-
ously both the viral and serologic status of an individual. Moreover, recent studies
show correlation between circulating inflammatory biomarker concentration and
COVID-19 severity.[20] Increased C-reactive protein (CRP) concentration is found
in patients diagnosed with COVID-19 pneumonia and is associated with increasing
severity, suggesting a role in diagnosis and prognosis of COVID-19 patients.[21,
22]

There is a clear and urgent need for a highly sensitive, rapid, inexpensive, telemedicine
COVID-19 test that can identify a patient’s past and present infection status.[23]
There has been progress toward POC COVID-19 testing, but all commercially avail-
able test kits provide only qualitative results. Quantitative analysis of COVID-19
biomarkers using a telemedicine device may provide predictive information of dis-
ease severity and provide seroconversion information regarding disease time course.
Electrochemical biosensors, in this regard, are advantageous due to their rapid detec-
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tion efficacy and ease of use for POC applications.[24, 25, 26, 27, 28] Simple, safe,
and effective COVID-19 sample collection has proved challenging given current
assay requirements. Saliva-compatible POC assays would be advantageous since
saliva contains rich information and can be easily and noninvasively collected by
patients themselves for telemedicine testing.[29]

Table 2.1: Key information on an individual’s COVID-19 infection status provided
by the SARS-CoV-2 RapidPlex.

In this chapter, we present a novel multiplexed, portable, wireless electrochemical
platform for ultra-rapid detection of COVID-19: SARS-CoV-2 RapidPlex (Figure
2.1). This platform quantitatively detects biomarkers specific to COVID-19 in both
blood and saliva including SARS-CoV-2 nucleocapsid protein (NP), specific im-
munoglobulins (Igs) against SARS-CoV-2 spike protein (S1) (S1-IgM and S1-IgG),
and CRP, within physiologically relevant ranges. The platform uses capture antigens
and antibodies immobilized on mass-producible, low-cost laser-engraved graphene
(LEG)[30, 31] electrodes. This multiplexed platform tracks the infection progres-
sion by diagnosing the stage of the disease, allowing for the clear identification of
individuals who are infectious, vulnerable, and/or immune (Table 2.1). The main
features of SARS-CoV-2 RapidPlex are high sensitivity, low cost, ultra-fast detec-
tion, wireless remote and multiplexed sensing that provides information on three
key aspects of COVID-19 disease: viral infection (NP),[32] immune response (IgG
and IgM),[10] and disease severity (CRP).[20, 21, 22] We then provide a summary
of additional telemedicine-based tools for COVID-19 diagnosis, symptom moni-
toring, prognosis, and risk prevention. We highlight rapid and remote diagnostics,
wearables for symptom monitoring, and mobile platforms for tracking community
spread. We also present novel electrochemical platforms developed for biomarker
sensing for rapid diagnostics, risk assessment, and on-body monitoring at home.
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Figure 2.1: A wireless graphene-based telemedicine platform (SARS-CoV-2 Rapid-
Plex) for rapid and multiplex electrochemical detection of SARS-CoV-2 in blood
and saliva
(A) Schematic illustration of the SARS-CoV-2 RapidPlex multisensor telemedicine platform
for detection of SARS-CoV-2 viral proteins, antibodies (IgG and IgM), and inflammatory
biomarker – C-reactive protein (CRP). Data can be wirelessly transmitted to a mobile user
interface. WE, working electrode; CE, counter electrode; RE, reference electrode. (B)
Mass-producible laser-engraved graphene sensor arrays. (C) Photograph of a disposable
and flexible graphene array. (D) Image of a SARS-CoV-2 RapidPlex system with a graphene
sensor array connected to a printed circuit board for signal processing and wireless commu-
nication.

2.1 Design and Validation of the SARS-CoV-2 RapidPlex Platform

As illustrated in Figure 2.1A, SARS-CoV-2 RapidPlex is composed of four graphene
working electrodes (WEs), a Ag/AgCl reference electrode (RE), and a graphene
counter electrode (CE), all of them patterned on a polyimide (PI) substrate via CO2

laser engraving, a fast, high-throughput, and cost-effective production method (Fig-
ure 2.1B,C). Our group has recently demonstrated the use of mesoporous graphene
structure fabricated by laser engraving for high-performance and low-cost biosens-
ing.[30, 31] The materials cost for the unmodified RapidPlex platform is within
$0.05; additional chemical and reagent costs for the multiplexed sensor preparation
are at the level of dollars depending on the order sizes. Detection of selected tar-
get proteins (NP and CRP) and specific immunoglobulins (S1-IgG and S1-IgM) is
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achieved through sandwich- and indirect-based immunosensing strategies onto the
LEG electrodes, respectively. The superior properties of graphene, in terms of high
charge mobility and surface area together with the high sensitivity and selectivity
of sensing strategies involving both capture and detector receptors, make our device
(Figure 2.1D) a highly convenient tool for the rapid, accurate, and stage-specific de-
tection of COVID-19 infection in blood as well as in noninvasive biofluid samples,
such as saliva.

2.1.1 Materials and Methods

PBA (97%), PPA (97%), 1-ethyl-3-(3-dimethylamonipropyl)carbodiimide (EDC),
N-hydroxysulfosuccinimide (sulfo-NHS), BSA, hydroquinone (HQ), 2-(N-morpho-
lino)ethanesulfonic acid hydrate (MES), Tween 20, sodium thiosulfate, sodium
bisulfite, and potassium ferrocyanide(II) were purchased from Sigma-Aldrich. Strept-
avidin-POD conjugate (streptavidin-HRP, 11089153001) was purchased from Roche.
Sodium dihydrogen phosphate, potassium hydrogen phosphate, potassium chloride,
hydrogen peroxide (30% [w/v]), sulfuric acid, and flat-bottom NUNC 96-well mi-
croplates were purchased from Fisher Scientific. Potassium ferricyanide(III) and
silver nitrate, iron(III) chloride, and 0.1 M PBS (pH 7.4) were purchased from Acros
Organics and Alfa Aesar, respectively. N,N-Dimethylformamide (DMF) and iso-
propyl alcohol (IPA) were purchased from Fisher Chemical and VWR Chemicals,
respectively. Anti-CRP murine monoclonal antibody and human CRP standard
were purchased from R&D Systems (DY1707). CRP polyclonal antibody labeled
with horseradish peroxidase (HRP) (PA1-28329) and 3,3’,5,5’-tetramethylbenzidine
(TMB) colorimetric substrate was purchased from Invitrogen. Mouse NP mono-
clonal antibody (mAb) (40143-MM05), SARS-CoV-2 NP antigen (40588-V08B),
SARS-CoV/SARS-CoV-2 nucleocapsid antibody, rabbit mAb (40143-R001), SARS-
CoV NP antigen (HCoV-OC43; 40643-V07E), SARS-CoV-2 Spike S1-His recombi-
nant protein (HPLC-verified) (40591-V08H), and SARS-CoV Spike S1 protein (S1
subunit, His-tag) (40150-V08B1) were purchased from Sino Biological. His-tagged
SARS-CoV-2 Spike S1 protein (PNA002), His-tagged SARS-CoV-2 NP (PNA006),
anti-Spike-RBD fully human mAb (IgG) (S1-IgG, AHA013), anti-NP mAb (IgG)
(SARS-CoV-2 NPIgG, AHA009), SARS-CoV antibody-80R (IgG) (CHA001), and
MERS-CoV antibody-2E6 (IgG) (CHA002) were purchased from Sanyou Bio. Rab-
bit anti-human IgG H&L (HRP) (ab6759), recombinant human BNP (ab87200), rab-
bit anti-human IgM mu chain (HRP) (ab97210), goat anti-rabbit IgG H&L (HRP)
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(ab97051), and rabbit polyclonal anti-6×His-tag antibody (ab9108) were purchased
from Abcam. Human Spike-SARS-CoV-2 IgM (S1-IgM, MBS2614311) were pur-
chased from MyBiosource. MERS-CoV/SARS-CoV negative control (CI 2601-
0101 Z) was purchased from Euroimmun. PI film (125 mm thick) was purchased
from DuPont.

Fabrication of Multiplex Array Electrode

For four-channel graphene sensor fabrication, a PI film was attached onto a sup-
porting substrate in a 50-W CO2 laser cutter (Universal Laser System VLS3.50).
Selected laser-cutting parameters were: power 8.0%, speed 15%, points per inch
1,000, in raster mode, and at focused height. Ag/AgCl REs were fabricated by
electrodeposition in 40 µL of a mixture solution containing silver nitrate, sodium
thiosulfate, and sodium bisulfite (final concentrations of 250 mM, 750 mM, and 500
mM, respectively) for 100 s at -0.2 mA, followed by drop-casting a 20-µL aliquot of
FeCl3 for 1 min.

Functionalization of the SARS-CoV-2 RapidPlex and Electrochemical
Readout

A 10-µL aliquot of 5.0 mM PBA in DMF was drop-cast on the graphene surface and
incubated for 2 h at room temperature in a humid chamber. After rinsing with DMF,
IPA, and deionized (DI) water, and drying under air flow, electrodes were incubated
with 10 µL of a mixture solution containing 0.4 M EDC and 0.1 M sulfo-NHS
in 0.025 M MES (pH 6.5) for 35 min at room temperature under humid ambient
conditions. Specific antibodies or coating protein were covalently attached onto
activated surface by drop-casting 5.0 µL of the specific reagent (250 µg mL-1 for
S1-IgG, S1-IgM, and CRP, or 50× dilution for NP, in 0.01M PBS [pH 7.4]) and
incubated for 3 h at room temperature, followed by a 90-min blocking step with
2.0% BSA prepared in 0.01 M PBS. Subsequently, 10 µL of the corresponding
target analyte prepared in 0.01 M PBS containing 1.0% BSA was incubated for 1, 5,
or 10 min at room temperature and, after one washing step with PBS, corresponding
detector antibody (HRP-labeled or unlabeled) (250× dilution for NP, 2.0 µg mL-1

for S1-IgG and S1-IgM, and 1.0 µg mL-1 for CRP) in 0.01 M PBS containing 1.0%
BSA was incubated for 5 min at room temperature. In the case of NP assay, after
incubating detector antibody and performing the corresponding washing step with
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PBS, 10 µL of 1.0 µg mL-1 HRP-goat anti-rabbit IgG prepared in 0.01 M PBS
containing 1.0% BSA was incubated for 5 min at room temperature. For each
type of developed assay, amperometric readings were registered at -0.2 V (versus
Ag/AgCl) in 0.05 M sodium phosphate buffer (pH 6.0) containing 2.0 mM HQ. The
readout signal was obtained in the presence of 1.0 mM H2O2.

To characterize the morphology and material properties before and after surface
modification with PBA, we obtained SEM images of graphene electrodes by focused
ion beam SEM (FEI Nova 600 NanoLab).

Electrochemical Characterization of the SARS-CoV-2 RapidPlex

Amperometry, OCP-EIS, cyclic voltammetry, and DPV were carried out on a
CHI820 electrochemical station. The electrochemical setup comprised laser-induced
graphene electrodes as the WEs, a platinum wire as the CE, and a commercial
Ag/AgCl electrode as the RE.

For each type of proposed assay, surface modification after each step was electro-
chemically characterized by DPV and OCP-EIS. Corresponding readings by means
of each technique were carried out in 0.01 M PBS (pH 7.4) containing 2.0 mM
K4Fe(CN)6/K3Fe(CN)6 (1:1) and under the following detailed conditions: potential
range, -0.2 and 0.6 V; pulse width, 0.2 s; incremental potential, 4 mV; amplitude,
50 mV; frequency range, 0.1–106 Hz; amplitude, 5 mV. Graphene functionalization
methods were evaluated for both CRP- and SARS-CoV-2-specific IgG assays, by
comparing current responses obtained after developing each assay on both PBA and
PPA-graphene, in the absence and in the presence of each of the corresponding target
biomolecules (tested levels were 50 ng mL-1 for CRP and 500 ng mL-1 for SARS-
CoV-2-specific IgG). Selectivity study was carried out by incubating corresponding
interferential non-target molecules on the previously functionalized PBA-graphene.
Concentration levels assayed for each interferent were the same as (or even higher
than) the concentration of the target molecule in each case. Amperometric signals
obtained for each interferent tested were compared with the current signals obtained
in the absence and in the presence of the corresponding target analyte for each type
of assay.
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Design and Fabrication of Electronic System for the SARS-CoV-2 RapidPlex

The four-channel chronoamperometric measurements were performed by a custom
PCB-based wireless potentiostat. An Arm Cortex-M4 microcontroller (STM32L432KC;
STMicroelectronics), and a Bluetooth module (SPBT3.0DP2; STMicroelectronics)
were used for potentiostat control and wireless communication. A single operational
amplifier (AD8605; Analog Devices) was used as the control amplifier, and a quad
operational amplifier (AD8608; Analog Devices) was used as a four-transimpedance
amplifier to construct the potentiostat loop. A series voltage reference (ISL60002;
Renesas Electronics) and the microcontroller unit’s (MCU) built-in digital-to-analog
converter were used to generate the voltage bias across the RE and WEs. Four MCU
built-in analog-to-digital converter channels were used to concurrently acquire the
measurements.

Subjects and Procedures

In compliance with the protocols approved by the Institutional Review Board (no.
19-089417-292-A2) at the California Institute of Technology (Caltech), the per-
formance of SARS-CoV-2 RapidPlex was evaluated in human serum and saliva
samples from healthy and confirmed COVID-19-infected patients. Serum samples
from ten RT-PCR and IgG/IgM serology-confirmed COVID-19 patients (age range
24–77 years) and seven healthy subjects (age range 18–65 years) were purchased
from BioIVT and Ray Biotech. The severity information of the BioIVT samples
was provided by the phlebotomists during sample collection. Saliva samples from
five RT-PCR and IgG/IgM serology test-confirmed COVID-19 patients (age range
28–46 years) were purchased from BioIVT. Three healthy saliva samples were used
from pre-existing stocks collected from volunteers prior to the pandemic (recom-
mended tips before saliva collection include avoiding foods with high sugar and
caffeine content, not eating a major meal within 60 min of sample collection, and
rinsing the mouth with water prior to sample collection). After receiving, serum and
saliva samples were stored at -80°C until required for its analysis. For the analysis
of NP, CRP, S1-IgG, and S1-IgM, no sample treatment was required for both serum
and saliva samples; a simple dilution with 0.01 M PBS containing 1.0% BSA was
performed prior to analysis.
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Determination of SARS-CoV-2-Related Selected Target Molecules in Serum
and Saliva Samples

NP antigen, CRP, and S1-IgG and S1-IgM isotypes were analyzed in commercial
serum and saliva samples from RT-PCR COVID-19-confirmed positive patients
(nserum = 10; nsaliva = 5) and healthy subjects (nserum = 7; nsaliva = 3). After
100× and 5× dilution of corresponding serum and saliva samples in PBS with
1.0% BSA, respectively, a 10-µL aliquot was incubated in each WE for 10 min at
room temperature (25× dilution was used for 1-min incubation study in serum for
Figure 5C). After a washing step with PBS buffer, corresponding detector reagents
were incubated in each WE for 5 min and subsequent detection was performed.
Comparison of sensor performance in buffer and diluted body fluids from healthy
subjects spiked with increasing concentrations of target molecule was performed
using CRP as a model molecule.

Validation of Human Samples with the Gold-Standard ELISA

ELISA tests for NP, S1-IgG, and CRP (selected as model targets) were performed
in an accuSkan FC Filter-Based Microplate Photometer at a detection wavelength
of 450 nm according to the manufacturer’s instructions. In brief, plates were coated
for 3 h, shaking at 37°C, with 4.0 µg mL-1 of the corresponding capture receptor
in each case and blocked with PBS containing 1.0% BSA for 2 h, shaking at 37°C,
and standards (or properly diluted samples) were added to coated microtiter plate
wells and incubated for 2 h, shaking at 37°C. Next, corresponding HRP-labeled
detector antibody was incubated for 30 min at room temperature. Finally, 100 µL
of TMB substrate was incubated for 15 min, and absorbance values were measured
immediately after addition of 25 µL of 1 M H2SO4 in each well. Three washings
with PBS containing 1.0% BSA were performed after each modification step.

2.1.2 Electrochemical Characterization of SARS-CoV-2 RapidPlex Platform

Functionalization and modification steps carried out on the LEG surfaces for the co-
valent attachment of each of the specific receptors required for the development of our
SARS-CoV-2 RapidPlex platform is schematized in Figure 2.2A. 1-Pyrenebutyric
acid (PBA) is used as the linker to anchor the required receptors to the graphene layer.
Although attachment of functional groups directly on the sp2 carbon atom surface
is one of the common ways to functionalize graphene, these methods are associated
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Figure 2.2: Characterization of electrochemical graphene biosensors comprising
the SARS-CoV-2 RapidPlex platform
(A) Scheme detailing the methodology developed for the covalent attachment of the cor-
responding bioreceptor for the specific capture of the target analytes SARS-CoV-2 NP
and CRP (left), and IgG and IgM isotypes against SARS-CoV-2 S1 protein (right).
PBA, 1-Pyrenebutyric acid; BSA, bovine serum albumin; CAb, capture antibody; PI,
polyimide. (B) and (C) Differential pulse voltammetry (DPV) and Nyquist plots of a
graphene electrode in 0.01 M phosphate-buffered saline (PBS, pH 7.4) containing 2.0 mM
of K4Fe(CN)6/K3Fe(CN)6 (1:1) after each modification step (S1-IgG assay as representa-
tive example): bare graphene (Bare), functionalization with PBA (PBA), immobilization
of SARS-CoV-2 S1 protein (Protein), blocking with BSA (BSA), recognition of specific
S1-IgG (Target), and incubation with enzyme-tagged anti-human IgG antibody (DAb). (D)
Comparison of amperometric responses and overlaid signal-to-blank (S/B) ratio (black lines)
for SARS-CoV-2 specific IgG and CRP detection using PBA and 1H-pyrrole-1-propionic
acid (PPA) as linkers for the attachment of the corresponding capture bioreceptors. Data are
presented as mean ± SD (n = 3). (E) Amperometric responses and overlaid S/B ratio (black
lines) observed for 0.0 and 500 pg mL-1 NP, 0.0 and 250 ng mL-1 SARS-CoV-2 specific
IgG and IgM, and 0.0 and 50 ng mL-1 CRP, with 10, 5 and 1-minute incubation. Data are
presented as mean ± SD (n = 3).

with the requirement of defects or edges in the sensor material, which could alter its
specific physical properties.[33, 34] In contrast, introduction of functional groups
on the sensing layer by means of pyrene derivatives is preferred here, as it does
not disrupt the conjugation of the graphene sheets and improves its stability.[35, 36]
PBA consisting of a pyrene group that contains 𝜋-electrons and a carboxylic group is
used to functionalize graphene layers via 𝜋-stacking and hydrophobic interactions.
The pyrene units of PBA strongly interact with graphene layers in the way that orig-
inal structure and properties of the graphene are well maintained. The functional
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moieties contained in each PBA molecule allow the preparation of the affinity-based
biosensing platform through the covalent coupling between the carboxylic groups
on PBA units and the –NH2 groups of the respective capture receptors (specific
antibodies or capture proteins). Blocking of unreacted sites with bovine serum
albumin (BSA) impedes the nonspecific adsorption of other molecules involved in
each assay configuration or circulating in the sample of interest.

Differential pulse voltammetry (DPV) and open-circuit potential-electrochemical
impedance spectroscopy (OCP-EIS) techniques are employed to electrochemically
characterize and prove the stepwise self-assembled processes in both assay con-
figurations for the detection of selected target molecules. DPV readings reflect
lower peak current intensity after each modification step related to S1-Ig assay due
to the hindered diffusion of the redox label to the electrode surface derived from
both the carboxyl groups and the attached proteins and biological macromolecules
(Figure 2.2B). At the same time, resistance in the Nyquist plots from OCP-EIS is
increased after each functionalization step (Figure 2.2C). The successful anchorage
of PBA was also verified with scanning electron microscopy (SEM) (Figure A.1).
Electrochemical characterization of the sandwich assay-based sensor modification
using CRP as a model molecule and the aforementioned techniques are presented in
Figure A.2.

To preserve the native structure and properties of the bound biomolecules, we chose
PBA as a heterobifunctional linker, effectively preventing the direct interaction be-
tween large biomolecules and the graphene surface.[34] To verify this selection, we
constructed CRP- and SARS-CoV-2-specific IgG assay configurations on graphene
electrodes functionalized with PBA and another common linker, 1H-pyrrole-1-
propionic acid (PPA).[31] Greater signal-to-blank (S/B) ratios were observed for
both assays where PBA was used as a linker support (Figure 2.2D), mainly due to a
significant decrease in the signals obtained in the absence of the corresponding target
molecule when PBA was used instead of PPA. Together with an optimal blocking
strategy, PBA can be used for the immobilization of specific biomolecular probes
(e.g., antibodies, proteins) while avoiding nonspecific adsorptions in the context of
immunoassays.[37]

The orientation of modified antigenic proteins on solid surfaces is strongly associ-
ated with their activity and reactivity. Specific anti-His antibodies can be used to
orient the immobilization of antigenic receptors containing histidine residues, but
this implies an additional step compared with their direct attachment on the sensing
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layer, as schematized in Figure A.3A. Our results show no significant differences
in assay performance for IgG detection on PBA-graphene electrodes covalently
functionalized with the specific coating protein (direct immobilization) and with
anti-His antibodies for the previous capture of the polyhistidine-tag specific coat-
ing protein (oriented immobilization) (Figure A.3B), proving that random protein
orientation does not interfere with the epitope accessibility for effective recognition
by specific target antibodies. This is in agreement with other reports confirming
that His-tagged fusion antigens can be directly immobilized on different surfaces
with protein orientations completely compatible with antibody recognition.[38, 39,
40, 41] To simplify and reduce the cost and time of the assay, we carried out direct
immobilization of S1 protein for specific Ig detection.

Considering that rapid target binding is essential to the successful implementation
of our proposed platform as a POC system, we investigated how target (or sample)
incubation time affects the response of each biosensor comprising our SARS-CoV-2
RapidPlex platform. Figure 2.2E summarizes the amperometric signals obtained
for each of the four sensing units at different incubation times (1, 5 and 10 min) in
the absence (blank, B) and presence (S) of 500 pg mL-1, 250 ng mL-1, and 50 ng
mL-1 of NP, SARS-CoV-2-specific IgG and IgM isotypes, and CRP, respectively. It
is important to note that although a 10-min incubation time was selected for most
of the studies here in order to ensure the highest sensitivity for the determination of
ultra-low levels of each target molecule, a significant difference between the absence
and the presence of each of the corresponding targets is obtained with just 1-min
incubation time. This provides one of the major advantages of our SARS-CoV-2
RapidPlex system as a rapid POC device for SARS-CoV-2 infection monitoring
with the required sensitivity for both protein and Ig determination. ELISA,[18, 42,
43, 44, 45] nucleic acid amplification,[46, 47, 48, 49, 50] mass spectrometry,[51]
or even combinations[52] have been reported very recently for determination of the
proposed SARS-CoV-2-specific target molecules, among others. However, most
of these methods show crucial pitfalls, mainly in terms of sample preparation,
complexity, and expensive and bulky equipment requirements, making them still
highly difficult to be implemented as POC systems. Our device provides an attractive
alternative to standard assays for protein determination, such as ELISA, because of
its multiplexing capabilities, remote functionality, and short sample-to-answer time.
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Figure 2.3: Evaluation of analytical sensor performance for the detection of physi-
ological levels of target COVID-19 biomarkers
(A) Scheme of sensor preparation for detection of SARS-CoV-2 NP and CRP based on
double-sandwich and sandwich assay configurations, respectively. CAb, capture antibody;
DAb, detector antibody; DAb2, secondary detector antibody; HRP, horseradish peroxidase.
(B) and (C) Calibration curves constructed for NP (B) and CRP (C) detection in phosphate-
buffered saline (PBS, pH 7.4) supplemented with 1.0% BSA. Data are presented as mean
± SD (n = 3). (D) Scheme of sensor preparation for detection of S1-IgG and S1-IgM
isotypes based on direct assay configurations. (E) and (F) Calibration curves constructed
for S1-IgG (E) and S1-IgM (F) isotypes detection in phosphate-buffered saline (PBS, pH
7.4) supplemented with 1.0% BSA. Data are presented as mean ± SD (n = 3).

2.1.3 Evaluation of Analytical Performance of the SARS-CoV-2 RapidPlex

The performance of each biosensor contained in the SARS-CoV-2 RapidPlex was
characterized in phosphate-buffered saline (PBS) solutions supplemented with 1.0%
BSA by measuring the amperometric readout in the presence of increased concen-
trations of NP, S1-IgG, S1-IgM, and CRP (Figure 2.3). The selected strategies
for NP viral antigen and CRP proteins are based on double-sandwich and sand-
wich configurations, respectively, as illustrated in Figure 2.3A. The sandwich-based
immunoassays for antigen detection are, in general, highly sensitive due to the in-
volvement of two different antibodies as capture and detector entities. According to
the low levels that must be reached for NP and CRP in diluted serum and saliva (pg
mL-1 to ng mL-1), we think these strategies are the most suitable to be implemented
on our platform. Variation of cathodic currents with the concentration for NP
and CRP in buffered solutions is presented in Figures 2.3B and 2.3C, respectively.
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S1-IgG and S1-IgM were detected based on indirect immunoassays (Figure 2.3D),
which are considered highly suitable for detection of circulating macromolecules
in antisera and other biofluids. Figures 2.3E and 2.3F show the calibration curves
for S1-specific Ig determination (S1-IgG and S1-IgM, respectively) in buffered so-
lutions. Reproducibility was demonstrated through the relative standard deviation
(RSD) values obtained with different biosensors prepared in the same manner on
different days. RSD values of 6.3%, 8.4%, 6.0%, and 7.6% for 20 ng mL-1 CRP,
250 ng mL-1 S1-IgG, 250 ng mL-1 S1-IgM, and 500 pg mL-1 NP antigen (n = 5)
demonstrate good reproducibility in both device preparation and signal transduction.
In addition, the sensors showed stable responses over a 5-day storage period at 4°C
(Figure A.4). We did not observe significant slope variations between data obtained
in properly diluted human serum and in buffered solutions for the determination
of each target analyte (for instance, the slope sensitivity value [16.28 nA mL ng-1]
obtained for CRP as model analyte in PBS-buffered solutions is nearly the same as
that in diluted serum samples from a healthy volunteer [16.64 nA mL ng-1]); there-
fore, accurate quantification of the proposed target analytes can be carried out by
conducting a simple interpolation of the cathodic readings obtained for each sample
tested in the corresponding calibration curve constructed in buffered solution.

Since diagnostic sensitivity and specificity of seroprevalence studies can be improved
by using a mixture of antigenic proteins instead of a single protein,[53, 54] we
modified graphene with a mixture of SARS-CoV-2 related antigens, NP and S1, to
capture specific immunoglobulin isotypes against both antigens in the same WE.
A calibration curve for (NP + S1)-IgG detection is shown in Figure A.5. Thus,
this methodology can be tailored for detecting isotype-specific IgG (or IgM) or a
combination of both Ig isotypes in the same sensing surface to better capture total
Ig concentration and thus increase assay sensitivity across the patient population.

2.1.4 Investigation of the Selectivity and Multiplexed Performance of the SARS-
CoV-2 RapidPlex

Human biofluids contain a complex and variable mixture of circulating molecules
that could interfere with molecular sensing. In addition, negligible crosstalk between
different working surfaces is an essential requirement for performing multiplexed
detection readings accurately and meaningfully. Therefore, selectivity and crosstalk
of the SARS-CoV-2 RapidPlex platform were evaluated. Amperometric readings
obtained for each developed biosensor against non-target molecules are presented
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Figure 2.4: Investigation of the selectivity and multiplexed performance of the
wireless SARS-CoV-2 RapidPlex platform
(A) Selective response of NP, S1-IgG and S1-IgM isotypes and CRP sensors against different
non-target circulating analytes. Interferential molecules were tested at 500 pg mL-1 (with
an exception of 50 ng mL-1 for CRP), 250 ng mL-1 and 50 ng mL-1 for NP, S1-IgG and
S1-IgM, and CRP assays, respectively. Data are presented as mean ± SD (n = 3). (B)
Validation of sample concentrations measured using the designed electrochemical sensor
against sample concentrations measured using ELISA. (C) Block diagram of the SARS-
CoV-2 RapidPlex platform. UART, universal asynchronous receiver/transmitter; MCU,
microcontroller unit; DAC, digital-to-analog converter; ADC, analog-to-digital converter.
(D) Schematic illustration of the graphene sensor array layout. (E) Experimental readings
obtained with the functionalized SARS-CoV-2 RapidPlex platform after incubation of the
four WEs with phosphate-buffered saline (PBS, pH 7.4) supplemented with 1.0% BSA
containing 1.0 ng mL-1 NP (I), 250 ng mL-1 S1-IgG (II), 250 ng mL-1 S1-IgM (III) and 50
ng mL-1 CRP (IV).

in Figure 2.4A.We evaluated the specific binding for SARS-CoV-2 biomarkers in
comparison with biomarkers of similar coronaviruses, including SARS-CoV and
MERS-CoV. We observed no significant cross-reaction for NP, S1-IgG, S1-IgM,
and CRP assays in the presence of each tested interferent, including SARS-CoV-
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2 S1, SARS-CoV S1, and CRP (for NP assay), SARS-CoV-2 NP-IgG, SARS-
CoV IgG, MERS-CoV IgG, S1-IgG, and negative controls containing mixtures of
IgG and IgM against both MERS-CoV and SARS-CoV (for S1-IgG and S1-IgM
assays), and B-type natriuretic peptide (BNP), NP, SARS-CoV NP, and SARS-
CoV S1 (for CRP assay), respectively. However, SARS-CoV NP viral antigen
interferent provided a cathodic current corresponding to ∼80% of the raw current
obtained for the detection of the specific NP antigen. Spike, envelope, and membrane
SARS-CoV-2 proteins share 76%–95% sequence identity with those of SARS-
CoV. This percentage homology is reduced to 30%–40% for MERS-CoV. Similarly,
since SARS-CoV-2 NP is 90% identical to SARS-CoV NP,[18, 55, 56, 57] the
interference observed from SARS-CoV NP antigen was expected. However, the
lack of selectivity in this particular case is not a major concern due to the absence
of new SARS-CoV cases detected recently; therefore, it can be inferred that this
interference will not produce a barrier for selective SARS-CoV-2 NP determination
in real samples. We further evaluated the amperometric-derived concentrations with
absorbance-derived concentrations collected via ELISA. As presented in Figure
2.4B, the results from our functionalized electrochemical biosensor were linearly
correlated (r = 0.955) with the results using the same reagents in a traditional ELISA
protocol.

Once the performance and selectivity of each constructed biosensor was individually
and exhaustively evaluated, we demonstrate the multiplexing capabilities of our four-
working-electrode (4WEs) graphene array device designed with a Ag/AgCl RE and
a graphene CE. The block diagram showing the functional units that constitute the
integrated electronic system is illustrated in Figures 2.4C and 2.4D. Amperometric
readings from the four channels are concurrently taken and data are wirelessly
transmitted to a user device over Bluetooth. The electronic system, including the
printed circuit board (PCB) and a lithium-ion polymer battery, is 20 × 35 × 7.3
mm in dimension. The compact device can perform amperometric measurements
continuously for over 5 h on a single charge.

With the objective of demonstrating the utility of our SARS-CoV-2 RapidPlex ar-
ray for multiplexed and simultaneous quantification of selected target molecules,
we evaluated the potential cross-reaction resulting from the diffusion of signal sub-
stances between adjacent immunosurfaces. To this end, each of the four conveniently
functionalized working surfaces were incubated with buffered solutions containing
significantly high concentration of each of the selected targets, followed by the
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corresponding detector receptors in each case. The absence of crosstalk between
the adjacent WEs is verified from the experimental readings in buffered solutions
containing 1.0 ng mL-1 NP antigen (I), 250 ng mL-1 S1-specific IgG (II) and IgM
(III), and 50 ng mL-1 CRP (IV) (Figure 2.4E). As envisaged, significantly higher
signal was obtained when each target was specifically captured and further labeled
by its tracer antibody in the corresponding functionalized immunosurface. These
results, in conjunction with those from Figure 2.4A, demonstrate the feasibility of
the developed SARS-CoV-2 RapidPlex platform for fast, selective, and reliable de-
termination of NP, S1-IgG, and S1-IgM isotypes, and CRP in one single experiment.
It should be noted that since IgG and IgM have similar binding mechanisms to viral
antigens and individual quantification of immunoglobulins requires no mixing of
the specific detector labels, individual droplets were used on IgG and IgM sensing
electrodes during modification and labeling.

2.1.5 Detection of SARS-CoV-2-Related Selected Targets in Human Biospeci-
mens

To prove the utility of our device in a more complex and real scenario, we evaluated
the multiplexed capabilities of SARS-CoV-2 RapidPlex in representative serum
samples from COVID-19 RT-PCR-negative and -positive subjects. Sensor data
from the serum samples of an RT-PCR-negative subject (Figure 2.5A) and an RT-
PCR-positive patient (Figure 2.5B) show minimal crosstalk in a real and complex
sample matrix, indicating the efficient functionality of SARS-CoV-2 RapidPlex
to simultaneously differentiate the overexpressed presence of SARS-CoV-2-related
target reporters in COVID-19-positive specimens. Moreover, the SARS-CoV-2
RapidPlex device is able to provide significant positive readings for all targets after
incubating the COVID-19-positive serum sample for just 1 min (Figures 2.5C and
A.6). The maintained high signal in positive patient samples demonstrates the great
potential in future translation of the SARS-CoV-2 RapidPlex device as an ultra-fast
POC remote diagnostic tool.

To further investigate NP, S1-IgG, S1-IgM, and CRP response to SARS-CoV-2 in-
fection using our LEG-based biosensors, we measured each target molecule in serum
and saliva samples from RT-PCR-confirmed COVID-19-positive and -negative sub-
jects. Obtained results were plotted as the ratio between the amperometric readings
for each sample tested (S) and the respective blank (B) in each case to compare
target detection in different concentration ranges. Using the graphene sensors, a



21

Figure 2.5: Application of SARS-CoV-2 RapidPlex in SARS-CoV-2 detection in
blood and saliva samples from COVID-19 positive and negative subjects
(A and B) Experimental readings obtained with SARS-CoV-2 RapidPlex after 10 minutes
incubation of the sensor array with serum samples from a representative COVID-19 RT-
PCR negative (A) and positive patient (B). (C) The signal of each sensor obtained after
1-minute incubation with a serum sample from a COVID-19 positive patient (dark color)
vs. the signal obtained after 10-minute incubation with a serum sample from a COVID-19
negative patient (light color). (D) A box-and-whisker plot of measured signal-to-blank ratios
(S/B) for NP, S1-IgG, S1-IgM, and CRP in RT-PCR confirmed COVID-19 positive (n=5)
and negative (n=6) serum samples. (E) A box-and-whisker of measured signal-to-blank
ratios (S/B) for NP, S1-IgG, S1-IgM, and CRP in RT-PCR confirmed COVID-19 positive
(n=5) and negative (n=3) saliva samples. (F) CRP levels in diluted serum samples plotted
against given COVID-19 symptom severity, with “Healthy” referring to COVID-19 negative
patient samples (n=7). Positive COVID-19 patients classified according to disease severity
as asymptomatic (n=2), mild (n=5) and moderate (n=2).

total of 17 COVID-19 RT-PCR-tested serum samples (10 positive, 7 negative) were
assayed, and a total of 8 COVID-19 RT-PCR-tested saliva samples (5 positive, 3
negative) were analyzed (Table A.1).

Results from Figures 2.5D and 2.5E corroborate that, as expected, compared with
RT-PCR-negative subjects, RT-PCR-positive COVID-19 patients show significantly
elevated levels of the selected targets in both serum and saliva samples, with median
S/B ratios of 10.53, 11.62, 10.67, and 12.39 in serum and 2.81, 3.24, 1.62, and
1.76 in saliva, for NP, S1-IgG, S1-IgM, and CRP, respectively. We observed a
concentration of NP in the range of 0.1-0.8 µg mL-1 and 0.5-2.0 ng mL-1 in COVID-
19 patient serum and saliva, respectively; S1-IgG in the range of 20-40 µg mL-1
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and 0.2-0.5 µg mL-1 in COVID-19 patient serum and saliva, respectively; S1-IgM
in the range of 20-50 µg mL-1 and 0.6-5.0 µg mL-1 in COVID-19 patient serum
and saliva, respectively; and CRP in the range of 10-20 µg mL-1 and 0.1-0.5 µg
mL-1 in COVID-19 patient serum and saliva, respectively. The fact that all the
positive samples show much higher signals compared with negative samples proves
the real utility for the accurate evaluation of the COVID-19 biomarkers in biofluids
using our LEG-based biosensors. In particular, the observed significant presence of
COVID-19 biomarkers in saliva demonstrates the exceptional utility of this biofluid
as a valuable source for noninvasively diagnosing and monitoring SARS-CoV-2
infection.

With the aim of confirming the relationship between the levels of inflammatory
biomarkers involved in the cytokine storm directly associated with disease progres-
sion, severity, and outcome in COVID-19,[58, 59, 60, 61, 62, 63] we evaluated the
variation of serum CRP levels in RT-PCR-negative subjects (n = 7) and RT-PCR-
positive COVID-19 patients who were classified clinically according to disease
severity as asymptomatic (n = 2), mild (n = 5), and moderate (n = 2). As shown
in Figure 2.5F, we observed a positive association between CRP concentration and
COVID-19 symptom severity grade, consistent with the recent literature reports.[21,
62] Future clinical testing using paired saliva and serum samples over the course of
the infection is required to determine the relationship between saliva and serum con-
centrations and to validate the utility of our platform in identifying severity-specific
COVID-19 (Table 2.1).

2.1.6 Conclusion

To address the increasing demands for effective diagnostic tools for simple COVID-
19 detection with immediate sample-to-answer turnaround, we have developed and
implemented the first multiplexed electrochemical graphene-based platform, SARS-
CoV-2 RapidPlex, for sensitive, rapid, and selective simultaneous interrogation of
NP viral antigen, S1-IgG and S1-IgM isotypes, and CRP in serum and saliva
biofluids from healthy and RT-PCR-confirmed COVID-19-infected patients. The
combination of the advantageous properties of graphene material with the high
sensitivity and specificity of the immunosensing strategies makes our SARS-CoV-2
RapidPlex platform a promising diagnostic device for the accurate monitoring of
COVID-19 infection in serum and noninvasively accessible body fluids free from
complex sample pretreatment requirements. Due to the ease of use, saliva sample
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compatibility, and rapid time to results, the SARS-CoV-2 RapidPlex platform has
high potential for implementation at POC for patient triage, as well as for at-home
use for telemedicine care and remote monitoring.

Monitoring of selected targets in one single and fast experiment (target capture
can be as low as 1 min) provides substantial information, not only regarding early
COVID-19 infection through viral antigen and IgM isotype detection but also about
disease severity by means of CRP evaluation and potential acquired immunity
through IgG isotype quantification. The rapid on-site evaluation of disease severity
enabled by our SARS-CoV-2 RapidPlex introduces the unparalleled advantage of
immediate COVID-19 triaging. In future clinical applications, this could not only
alert attending physicians of cases requiring major and careful medical attention
but also facilitate the efficient allocation of precious medical resources, such as
ventilators and ICU beds, in the event of resurging outbreaks to optimize patient
outcomes under an overloading of local healthcare systems.

Our proposed methodologies based on simple yet well-established surface function-
alization techniques and sensing principles allow the ease of translation to the detec-
tion of other highly informative SARS-CoV-2-related reporters by simply changing
the coating capture receptor. Further technological improvement could be achieved
by introducing a fully automated sample-handling process through a microfluidic
module for telemedicine deployment. Modification of our platform design may al-
low for rapid viral antigen and antibody panel testing such that COVID-19 infection
could be clearly distinguished from nonspecific symptoms of seasonal respiratory
infections such as influenza. Additionally, the wireless telemedicine diagnostic plat-
form, when coupled with emerging wearable biosensors to continuously monitor vi-
tal signs and other chemical biomarkers, could provide comprehensive information
on an individual’s health status during the COVID-19 pandemic.[64, 65, 66, 67, 68]

Our platform pioneers multiplexed detection of stage-specific SARS-CoV-2-related
biomarkers to provide a detailed and personalized snapshot of the COVID-19 in-
fection. We firmly believe that our developed platform will be a high-utility testing
method toward fighting this and future pandemics, helping to end one of the deepest
global health, economic, and humanitarian crises in modern history.
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2.2 Emerging Telemedicine Tools for Remote COVID-19 Diagnosis, Monitor-
ing, and Management

The COVID-19 pandemic defined 2020, spreading globally to over 65 million cases
in early December, with over 20% occurring in the United States (U.S.).[1] Initial
efforts to mitigate the spread involved state-mandated “stay at home” orders and
travel restrictions, which seemed to slow the spread temporarily but also severely
impacted the global economy and disrupted daily life. However, upon reopening,
even when daily cases were dramatically reduced as in France and Spain, countries
saw a resurgence with higher incidence rates than the initial peak in April.[1] While
simple measures of social distancing, face coverings, and increased access to testing
have been implemented to seek a return to normal daily activities, there is a clear
and present need for innovative tools to intercept the spread of COVID-19, increase
the efficiency and quality of care, and alleviate pressures on the global healthcare
system.

Telemedicine was well-positioned to address these needs through at-home COVID-
19 screening, diagnosis, and monitoring. Telemedicine was instituted by many U.S.
health systems to see patients at home and limit the possible spread of COVID-
19, since many cases were observed to originate in hospital.[69, 70, 71] A major
barrier to leveraging telemedicine for COVID-19 was the coordination of testing.[69]
Testing strategies at the beginning of the pandemic were a resource intensive process,
but they also could not keep up with the demand for testing with significant delays
in results, which may have resulted in further delays in medical treatment. Once
diagnosed, telemedicine treatment is the best strategy to prevent the inundation of
hospitals with COVID-19 patients while also allowing patients to recover in the
comfort of their own home. However, utilization of continuous monitoring tools at
home is necessary for informed medical decisions such as when the patient should
report to the hospital. By monitoring for biomarkers associated with COVID-19
prognosis using telemedicine sensors in home- and community-based settings, early
medical intervention steps and more aggressive treatment plans may prevent patient
degradation and death.

2.2.1 Telemedicine-Based COVID-19 Diagnostics

As communities seek a return to normalcy during the continued spread of COVID-
19, greater emphasis has been placed on widespread access to testing, with the idea
that those who become infected and exposed isolate, while others continue safe
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Figure 2.6: COVID-19 diagnosis through rapid and point-of-care biomarker detec-
tion
(A) SARS-CoV-2 viral products including antigens and RNA. (B) Antibodies and inflam-
matory proteins produced from the body’s immune response to the SARS-CoV-2 virus.
(C) Detection of COVID-19 biomarkers in nasopharyngeal swabs, saliva, and blood. (D)
Lateral flow assays (LFAs) for the rapid detection of COVID-19 biomarkers. For RNA
detection (top), amplified RNA through either real-time reverse transcriptase polymerase
chain reaction or loop-mediated isothermal amplification is added and binds to AuNP con-
jugated complementary probes or CRISPR-based enzymes for colorimetric or fluorometric
detection. For antibody and antigen detection (bottom), AuNP conjugated antibodies and
antigens tag the associated target in solution and are then detected by the immobilized de-
tector antibodies. (E) Results from LFAs can be captured by a portable user interface. The
mHealth platforms may then facilitate case reporting, community spread mapping, contact
tracing, and telemedicine treatment. (F) COVID-19 surveillance is most effective under
daily testing with test sensitivity being secondary to test turnaround time in importance.
Reproduced with permission from ref [72]. Copyright 2020 Larremore et al.

social practices. However, effectively implementing this public health strategy has
proven difficult with significant backlogs in testing. The gold standard for diagnosing
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COVID-19 has been real-time reverse transcriptase polymerase chain reaction (RT-
PCR) for the detection of SARS-CoV-2 viral nucleic acid. RT-PCR is a slow process
that takes on average 2-3 h to generate results.[10] It requires expensive equipment
and trained technicians, such that tests may not be able to be performed on-site.[10]
RT-PCR is also known to produce false negatives, which may limit containment
strategies and access to treatment. One study reported a 70% positive rate for
nasal swab samples from suspected COVID-19 patients.[73] While lung computed
tomography (CT) scans have been suggested as a more accurate diagnostic tool for
patients with COVID-19 symptoms, it is less practical to implement and may not be
specific to COVID-19.[46]

Beyond the need for improving the accuracy of COVID-19 diagnostic tools, there is
a need to make these tools compatible with point-of-care (POC) and at-home use. In
public spaces, there is a need for COVID-19 screening tools. At the hospital, there
is a need for patient severity information for effective triage and resource allocation.
At home, there is a need for quarantined individuals to test for COVID-19 before
reentering society, and in the case of a positive test, to monitor their symptoms via
telemedicine to reduce the strain on hospital resources. Designing these diagnostic
tools requires careful selection of target COVID-19 biomarkers, sample specimens,
detection mechanisms, and mHealth integration.

Biomarkers for COVID-19 Diagnosis

SARS-CoV-2 is a genus 𝛽-coronavirus, like SARS-CoV and MERS-CoV, with a
crown-like, enveloped, positive-strand ribonucleic acid (RNA) (Figure 2.6A). The
single-stranded RNA is packaged into a helical structure defined by the nucleocap-
sid (N) protein.[74] The viral envelope is decorated with membrane (M) proteins,
envelope (E) proteins, and spike (S) proteins. While M and E proteins play more
structural roles, the protruding outer S protein is involved in binding to host cell
angiotensin-converting enzyme 2 receptors to facilitate viral entry.[74] Each part of
the SARS-CoV-2 virus can be detected for active infection diagnosis. Previous re-
search on SARS-CoV found that viral antigen concentrations are in agreement with
RT-PCR patterns.[75] One of the greatest challenges with viral particle detection
is the molecular sensitivity. A variety of RNA amplification methods, including
RT-PCR, loop-mediated isothermal amplification (LAMP), and recombinase poly-
merase amplification (RPA), have been developed to improve RNA detection. For
antigen testing, ultrasensitive immunoassays are necessary. The N protein is the
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most favorable for antigen detection since it is the most abundant viral protein,[18]
yet it requires lysing of the virus and is similar to other coronaviruses, including
being 90% identical in proteomic structure to that of SARS-CoV, potentially leading
to reduced assay selectivity.[55, 57, 56]

One can also potentially diagnose COVID-19 based on the physiochemical response
to infection (Figure 2.6B). Anti-SARS-CoV-2 antibodies provide information re-
garding the immune response. Antibodies appear later into the infection, as early as
4 days after symptom onset,[76] with immunoglobulin M (IgM) peaking around 12
days after symptom onset and seroconversion to immunoglobulin G (IgG) around 20
days after symptom onset.[18, 77, 78, 79] Because of variable antibody concentra-
tions, simultaneous detection of IgM, IgG, and immunoglobulin A (IgA) antibodies
may improve assay performance.[80] Although antibodies are not optimal for early
diagnosis and detection, they may provide important temporal information on the in-
fection course. Also, antibody testing may provide information regarding acquired
immunity and community seroprevalence. In addition to the immune response,
COVID-19 is known to cause a dysregulated inflammatory response, known as the
“cytokine storm”. Inflammatory cytokine levels may serve as important biomarkers
for symptom severity and prognosis. Increased levels of C-reactive protein (CRP)
have been found to correlate with lung lesions and disease severity.[81, 62, 58, 20,
22] Upregulation of interleukin (IL)-6 and IL-2 at late stages of infection is well
correlated to fatality.[82] Other cytokines, chemokines, and growth factors, such as
interferon-𝛾, tumor necrosis factor alpha (TNF-𝛼), and transforming growth factor-
beta-induced protein K676Ac, have been found to be highly reliable, independent
severity diagnostic biomarkers.[83, 84, 85] These symptomatic markers have been
looked at as potential therapeutic targets in addition to diagnostic targets.[82, 85]

Biofluids containing these markers may contain active virus, therefore at-home sam-
ple collection is desirable. Nasopharyngeal swabs have been the standard collection
technique for accessing viral samples of the respiratory infection. To reduce the
possibility of false negatives, high efficiency swabs have been engineered using
functionalized microneedles.[86] However, this sample collection method requires
assistance by a healthcare professional, placing a strain on medical and personal pro-
tective equipment (PPE) resources. In addition to nasopharyngeal swabs, COVID-19
biomarkers have been detected in blood and saliva (Figure 2.6C).[87, 88, 89] Both
blood and saliva provide alternative specimens for self-collection.
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Lateral Flow Assays for POC Detection

Lateral flow assays (LFAs) have become a standard for commercial rapid, POC
testing. LFAs are typically built on nitrocellulose membranes with a sample pad, a
conjugate pad, and absorption pad and operate based on a wicking-directed flow of
sample fluid over the binding and testing regions of the assay (Figure 2.6D). LFAs
can be used for detection of amplified nucleic acids, antigens, and antibodies based
on specific gold nanoparticle (AuNP) conjugated probes. Upon flow, they may bind
to immobilized probes at the detection strip causing aggregation of AuNPs and a
color change at the test line.[10, 90, 91] Nucleic acid LFAs may also use immobilized
CRISPR-based enzymes, which cleave a reporter-quencher pair upon binding of the
target nucleic acid sequence, producing a fluorometric signal at the test line.[92] A
variety of LFAs are now commercially available, including the Abbot ID Now and
the Cepheid Xpert Xpress for rapid molecular testing.[93]

Advances have been made based on the lateral flow design. A portable multiplexed
microfluidic-based platform has been developed to provide rapid detection of IgG,
IgM, and SARS-CoV-2 antigens simultaneously via fluorescent detection.[94] By
testing for both antibodies and antigens, one can simultaneously identify infected and
convalescent individuals. The Sikes group has designed and validated methods for
developing lateral flow antigen assays using binding protein scaffolds based on the
reduced charge Sso7d variant (rcSso7d) rather than capture antibodies. rcSso7d-
based assays have similar limits of detection as antibody-based assays and even
improve sensitivity when a larger sample volume is applied.[95] Their methodol-
ogy allows for high-density adsorption to unmodified cellulose within 30 s.[96]
Using binding protein scaffolds for paper-based immunoassays have many benefits
including inexpensive and simple manufacturing methods. 3M collaborated with
the Sikes group to develop a rapid, inexpensive lateral flow antigen test based on
these methods.[97]

LFAs provide immediate POC results that may be easily interpreted through qualita-
tive colorimetric or fluorometric readouts (Figure 2.6E). It is recommended that lat-
eral flow assays use validated automated readings for reliable LFA deployment.[79]
If readings are recorded electronically, the data can then be easily sent to an mHealth
platform for community spread tracking, immediate contact tracing, and personal
symptom monitoring and treatment via telemedicine. Viral transmission models
demonstrate that frequency of testing and short sample-to-answer time should be
prioritized in testing and surveillance (Figure 2.6F).[72] These factors prove to be
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even more important than test sensitivity in controlling disease spread. These results
demonstrate the importance that rapid POC tests like LFAs have in controlling the
pandemic.

Nanotechnology-Enabled Telemedicine Sensors for COVID-19 Diagnosis

Although LFAs have promise to be widely deployed as an inexpensive, rapid, at-
home testing tool, they are limited to qualitative binary diagnostic results and have
variable performance under independent reviews.[79, 19] Highly sensitive, quanti-
tative testing methods may allow for earlier detection and more accurate screening
for asymptomatic carriers as well as a more informative tool for monitoring disease
progression at home through telemedicine care. Electrochemical sensors based on
novel nanomaterials are well-positioned to provide rapid, highly sensitive testing
that can be easily integrated into mHealth platforms.

An ultrasensitive field-effect transistor (FET)-based biosensor was recently devel-
oped for label-free detection of the SARS-CoV-2 S protein (Figure 2.7A).[25] The
sensor was prepared using capture antibodies bound to graphene sheets of the FET
using a 1-pyrenebutyric acid (PBA) Nhydroxysuccinimide ester linker. Using this
electrochemical technique, the device could detect spike protein at the fg/mL level,
with a limit of detection of 242 copies/mL in clinical nasopharyngeal sample speci-
mens. The signal response was immediately observable upon antigen-binding with
stable signals and quantitative detection achieved in under a minute.

Instead of developing a highly sensitive sensor, one can also amplify the signal to
a detectable range. A POC aptamer-based sensor was developed in saliva that uses
invertase to amplify the signal by converting sucrose to glucose (Figure 2.7B).[98]
Upon antigen-aptamer binding, invertase-conjugated antisense strands are released
from functionalized magnetic beads and separated. Using a commercial glucometer,
the glucose concentration could be effectively calibrated to the antigen concentration.
Given the commercial availability of glucometers and their connectivity to mHealth
networks, this diagnostic platform cleverly utilizes existing technology for ready
POC deployment.

Rapid, electrochemical sensing of cytokine biomarkers has been an ongoing field of
research given the diagnostic use of monitoring the body’s inflammatory response
in several diseases. An aptamer-based graphene FET with a HfO2 dielectric layer
was demonstrated to detect IL-6 in saliva at the picomolar level.[101] For real-
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Figure 2.7: Nanoengineered electrochemical sensors for POC COVID-19 diagnosis
(A) Ultrasensitive and rapid detection of the SARS-CoV-2 antigen using a field-effect
transistor-based biosensor. [25] (B) Point-of-care aptamer-based detection of SARS-CoV-2
antigen in saliva using invertase for signal amplification via a commercial glucometer. [98]
(C) Rapid multiplexed detection of SARS-CoV-2 antigen, antibodies, and C-reactive protein
using a laser-engraved graphene-based immunosensor with demonstrated use in saliva. [99]
(D) A COVID-19 breath test that uses an array of nanomaterial-based hybrid sensors for
exhaled breath analysis toward machine learning assisted COVID-19 diagnosis. [100]

time COVID-19 diagnosis based on viral-induced inflammation, an electrochemical
sensor was reported to selectively detect the reactive oxygen species (ROS) levels
in sputum samples.[102] During infection, mitochondrial ROS induce cytokine



31

dysregulation in the lungs. Using functionalized multiwalled carbon nanotubes, the
sensor detects ROS levels in 30 s via cyclic voltammetry. The test achieved 97%
sensitivity and was well-correlated to chest CT scan results. This electrochemical
sensor has the potential to be adapted for an easy-to-use, reliable at-home test to
diagnose COVID-19 and monitor lung health over the course of the infection.

A multiplexed electrochemical platform, SARS-CoV-2 RapidPlex, was developed
for at-home diagnosis and monitoring via simultaneous detection of SARS-CoV-2
antigen, antibodies, and CRP.[89] In a single test, the platform provides quantita-
tive information on viral infection, immune response, and disease severity. The
platform is composed of an immunosensor array based on four 1-pyrenebutyric
acid (PBA)-coated laser-engraved graphene working electrodes (Figure 2.7C). The
design allows for ultrasensitive, selective, and simultaneous amperometric detec-
tion of SARS-CoV-2 N protein, anti-S1 IgG, anti-S1 IgM, and CRP. The data are
wirelessly transmitted to a user interface via Bluetooth, allowing for remote report-
ing and monitoring. The platform was applied to both serum and saliva samples
with substantial differences between COVID-19 positive and negative samples for all
biomarkers (Figure 2.7C). Taking advantage of graphene’s properties and using sim-
ple and well-established surface functionalization and immunosensing techniques,
the SARS-CoV-2 RapidPlex platform provides a basis for quantitative panel testing
of COVID-19 biomarkers.

Artificial intelligence (AI) has been incorporated into the diagnosis of COVID-19
based on standard laboratory testing, CT scans, and clinical presentation,[103] but
it is also used to identify COVID-19 signatures in exhaled breath analysis through
a hand-held breathalyzer system (Figure 2.7D).[100] A sensor array of AuNPs
functionalized with organic ligands produces changes in the electric resistance due
to shrinking and swelling of the nanomaterial film based on chemical reactions
upon exposure of exhaled breath composed of respiratory gases, volatile organic
compounds (VOCs), and water vapor. The testing procedure was observed to
be highly specific for COVID-19 in comparison to other lung infections. Such
immediate and simple testing procedures would allow for mass screening in public
and POC settings.

The rapid development of diagnostic tools for SARS-CoV-2 has led to creative
ways to exploit viral products and the immune response to provide key diagnostic
information. However, few of these tools are ready for mass deployment, and
some argue that the priorities of researchers are misaligned with the priorities of
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clinicians.[104] In practice, robustness outweighs sensitivity. With more attention
placed to clinical validation and reproducibility, these novel devices have great
potential to address the challenges of current testing. Electrochemical sensors are
prime for integration with mHealth platforms, allowing for immediate contact tracing
and telemedicine access. Because of their rapid result turnaround, these tools may
be used frequently before and ongoing during the infection to better monitor the
disease progression.

2.2.2 Telemedicine Tools for Vital Sign Monitoring and Contact Tracing

Given the current challenges in implementing widespread testing, wearable sen-
sors monitoring general vital signs may be used to continuously monitor for early
warning signs and worsening of symptoms. Early symptoms of COVID-19 in-
fections are nonspecific and typically present as fever, cough, shortness of breath,
and fatigue.[110] Real-time and at-home monitoring of physiological signals using
telemedicine devices may offer insight into the patient’s health status to prompt
medical treatment and prevent sudden degradation, thus reducing overall mortality
rate (Figure 2.8A). Skin-interfaced wearable devices and mobile health (mHealth)
monitors have been widely used for fitness tracking and daily life and, now, have the
potential of translating toward collecting physiological signals during the pandemic
to monitor and identify potential patients, and contain the COVID-19 outbreak (Fig-
ure 2.8B-E).[111, 112, 113, 64, 105, 106, 107, 108] These wearable devices can
be deployed to healthy individuals who have the risk of potential exposure, asymp-
tomatic persons, and people with mild symptoms, who are suggested to stay at
home and self-quarantine without further medical care under current clinical guid-
ances.[114] Additionally, monitoring physiological signals of patients continuously
may offer a deeper understanding of the development of COVID-19 infections as
well as the process of recovery or potential long-term sequelae.[66, 67] Popula-
tion level mHealth monitoring will unveil the true incidence among communities,
guide local reopening policies, and provide an early warning system to help reduce
viral transmission and mortality rate. In this section, we summarize the clinical
translation of physiological biomarkers that are strongly related with COVID-19
symptoms, introduce the wearable sensor platforms developed to track them, and
then discuss the current progress of using these wearable vital sign monitors and the
collected relevant data for COVID-19 monitoring and management.
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Figure 2.8: Skin-interfaced wearable sensors for continuous and noninvasive
COVID-19 early detection and monitoring
(A) Wearable sensors for continuous monitoring of physiological biomarkers related to
COVID-19 infections. Workflow of vital sign data analysis and COVID-19 predictive
system. (B) A flexible pulse oximeter mounted on a subject’s finger measuring oxygen
saturation level. [105] (C) Wireless measurement of oxygenation with a smartphone. [106]
(D) An epidermal ultrasonic device that monitors central blood pressure waveform. [107]
(E) A skin TCR sensor array for temperature mapping. [108] (F) A soft skin-interfaced
sensor platform designed for COVID-19 monitoring. [67] (G) Continuous multimodal
monitoring of vital signs from a COVID-19 patient. [67] (H) A smart mask that monitors
respiratory signs associated with COVID-19. [109] (I) Remote real-time monitoring of a
person wearing the mask. [109]
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Wearable Sensors for Continuous Vital Sign Monitoring

When a viral infection occurs, the immune system will defend against it by elevating
body temperature. Temperature measurements are therefore indispensable and have
been widely adopted in many countries. For example, a continuous body temperature
monitoring program using the TempTraq system has been launched in University
Hospitals in Ohio to monitor temperatures of caregivers who may be exposed
to COVID-19.[115] The single use, disposable sensor patch can last up to 72 h
and transmit real-time data wirelessly. When a fever is detected, the caregiver is
immediately quarantined to ensure the safety of the general public. While identifying
potential patients with fever may help control the spread to some degree, measuring
temperature alone is neither sufficient nor accurate. Fever is also related with many
other infections, such as the flu, and is not a hallmark symptom of COVID-19, as
many patients are asymptomatic or do not experience a fever during infection.

Viral illness increases physiological stress leading to an increase in heart rate and
blood pressure and change in pulse waveforms. One previous study reported predict-
ing influenza-like illness by analyzing resting heart rate and sleeping duration based
on commercial Fitbit and Huami devices.[116, 117] Recently, researchers at Stan-
ford and Scripps have initiated app-based monitoring programs to detect and predict
viral illnesses using Fitbit and Apple watch wearables, which extract heart rate and
other health data.[118, 119] Studies have also shown that COVID-19 infections are
associated with cardiovascular complications including myocarditis, heart failure,
and venous thromboembolism.[120] Sudden cardiovascular death is highly related
with COVID-19 infections and has become a major complication.[121] Thus, it is
critical to monitor cardiac conditions such as heart rate variability (HRV) among
COVID-19 patients using wearable electrocardiogram (ECG) sensors.

Respiration rate is of critical importance to monitor the lung functionality of COVID-
19 patients. Normal respiration rates range from 12 to 20 rpm at rest, while infected
lungs will cause increased respiration rates. Compared with body temperature
measurements, monitoring respiration fluctuations may serve as a more specific
biomarker for COVID-19 diagnosis, since most flu cases do not exhibit shortness of
breath. It is worth noting that an elevated respiration rate usually requires oxygen
therapy, and delayed treatment may cause the use of highly invasive procedures such
as mechanical ventilation and intubation, which currently has a high mortality rate
of 80%.[122] Measuring respiration rate using strain sensors can potentially monitor
the coughing frequency as well, helping to assess in real-time and allow for timely
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medical interventions before worsening symptoms arise.

Peripheral oxygen saturation (SpO2) measures the oxygen carrying capability of
hemoglobin. Normal blood oxygen saturation level is around 94% to 100%, while
breathing problems may cause life threating hypoxemia. COVID-19 attacks the
lungs differently from normal pneumonia and causes oxygen deprivation that is hard
to detect initially during the incubation period. By the time noticeable shortness
of breath is developed, the oxygen saturation levels of the patients have usually
decreased to merely 50%.[122] This makes monitoring pulse oximetry a crucial
early warning factor to prevent exacerbations. Pulse oximeters, wearable devices
that are mounted on the fingers of the patients to continuously and noninvasively
monitor oxygen saturation levels, have been proposed to monitor symptoms at home
and prevent such silent hypoxia in COVID-19 patients.[122]

Activity patterns also have the potential of reflecting the individual’s health sta-
tus. With current stay-at-home guidelines, a significant decline in normal activity
levels measured by step counts of Fitbit users have been shown.[123] Exercise has
been proven to have health benefits for both healthy individuals and patients with
various diseases.[124, 125] Regular physical exercise will improve cardiovascu-
lar functions,[126] increase the strength of respiratory muscles,[127] and maintain
and enhance the immune system.[128, 129] Some pioneering research has been
conducted to study activity patterns of COVID-19 patients using skin-interfaced
wearable sensors (Figure 2.8F-I).[67, 109]

Data Analysis and Pioneering Studies of mHealth for COVID-19 Monitoring

Several COVID-19 monitoring mHealth apps have been developed to collect daily
survey-based information, including whether people feel well and whether they
develop COVID-19 symptoms, and to assess real-time community spread. For
example, a web-based platform named CovidNearYou has been designed to visualize
COVID-19 current and potential hotspots.[130] The platform has captured more than
1 million self-reports based on voluntary crowdsourced data. These apps can be used
not only for the general public but also for screening health workers to implement
effective containment strategies.[131] One challenge is that many infectious patients
are not aware during the incubation period, which makes self-reporting a lagged
measure in terms of prompt epidemiologic studies.

Given the highly diversified user health data, mHealth platforms such as smartphone
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Figure 2.9: mHealth platforms for physiological data monitoring, analysis, and
contact tracing
(A) Physiological monitoring of 31 COVID-19 positive patients using a smartwatch platform.
[132] (B) Contact tracing and quarantine by monitoring the proximity between phones
running the mHealth app. [133] (C) Schematic of testing, certification, and verification for
data security using decentralized verifiable data registry. [134]

apps may be combined with wearable sensors to automatically analyze and manage
the data as an elementary screening tool and reduce unnecessary hospital consul-
tations.[135] Machine learning models along with predictive algorithms that can
generalize among different populations can be built to understand inconspicuous
health status and predict exacerbations.[103, 136] Some pioneering studies include
early detection of COVID-19 using both commercial wearable products and cus-
tomized wearable platforms. For example, researchers were able to distinguish cases
based on changes in heart rate, steps, and sleep in 80% of COVID-19 infections by
analyzing smartwatch data from 31 infected patients out of 5000 participants (Figure
2.9A).[132] These physiological alterations were detected before symptom onset in
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over 85% of the positive cases, which could be used to predict asymptomatic and
presymptomatic COVID-19 infections and better meet surges in medical demand.

Anonymous data containing geographic information can further enable contact
tracing by monitoring the proximity between phones running the app (Figure
2.9B).[133] With approaches that ensure data security,[134] these population-wide
platforms also identify potential regions at risk and new “hot spots” in the absence
of widespread population testing (Figure 2.9C).[137] Some representative social-
media platforms including WhatsApp, Facebook, and Twitter have also been used
to broadcast instant information or updates to the public, which supplement public
communication and health education.[138, 139, 140]

2.2.3 Telemedicine Metabolic Biosensors for COVID-19 Risk Assessments

Many studies have revealed that the risk of COVID-19 severity and death is extremely
higher among individuals with chronic diseases and metabolic disorders such as
obesity, diabetes, fatty liver disease, and alcoholism.[146, 147, 148, 149, 150, 151]

Figure 2.10: Wearable metabolic biosensors for COVID-19 risk assessment
(A) Schematic illustration for wearable chemical sensors for monitoring COVID-19 risk
factors, severity, and prognosis. (B) Dynamics of blood glucose during the 28-day follow-
up and survival rate curves of patients with poorly and well-controlled blood glucose. [141]
(C) Association between obesity and COVID-19 severity. [142] (D and E) Photographs for
wearable sensors for continuous and noninvasive glucose analysis in sweat (D) and tears
(E). [143, 144] (F and G) Wearable chemical sensors for monitoring circulating metabolites
and nutrients through in situ sweat (F) and saliva (G) analyses. [30, 145]
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Understanding the risk of severe COVID-19 outcomes for these patient populations,
it is important that individuals take preventative steps to lower their risk for severe
COVID-19. Monitoring of metabolic biomarkers may better track patient progress
under physician-guided lifestyle changes, such as diet and exercise. If infected,
quantitative metabolic information may be used to screen for high-risk patients and
better inform treatment decisions. Once patients exhibit clinical manifestations
requiring inpatient interventions, they may have already progressed to a severe
phase associated with other complications, such as heart failure, liver failure, or
kidney failure. Therefore, this necessitates moving toward small and inexpensive
telemedicine tools that may monitor general metabolic biomarkers continuously and
alert clinicians in advance of patient degradation, allowing for early intervention
in high-risk patients with severe prognoses (Figure 2.10A). In this section, we
report metabolic biomarkers that are well-correlated with COVID-19 severity and
outcome. We then discuss how these biomarkers may be monitored using wearable
electrochemical sensors prior to infection for preventative measures and during
infection to triage and monitor vital organ function.

Metabolic Biomarkers and COVID-19 Severity

Metabolic biomarkers have been proven as an effective tool to evaluate the etiology of
diseases and assess the effects of pathologies.[152] A wealth of metabolic biomark-
ers have recently been detected from nonsevere and severe COVID-19 patient serum,
such as urea, creatinine, uric acid, ions (potassium, sodium, iron, calcium, bicarbon-
ate, chloride), glucose, and lactic acid.[153] Some of these metabolic biomarkers
have attracted attention for their direct correlation with COVID-19 severity.[154,
155] As shown in Table 2.2, glomerular filtration biomarkers, urea and creatinine,

Table 2.2: Exemplar small-molecule biomarkers in mild and severe patients with
COVID-19.
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increased by 5-fold in severe COVID-19 patients, indicating that severe infection
may reduce kidney function or that patients with chronic kidney disease are at a
higher risk for severe presentation of COVID-19. There was no significant differ-
ence for uric acid between COVID-19 patients and healthy reference values. Ions
play an important role in blood to maintain osmotic balance, pH balance, and proper
cellular function; therefore, variation in plasma ion concentrations may be indicative
of metabolic disorders. The kidney regulates the levels of plasma ion concentrations
including sodium, potassium, calcium, magnesium bicarbonate, and chloride. As
described, COVID-19 may disrupt kidney function, changing ion concentrations in
the process. Potassium showed higher concentrations of around 1 mM in severe
cases.[156] Other ions like sodium, chloride, and bicarbonate showed no signifi-
cant difference between the nonsevere and severe patients.[157] Iron, which is an
essential element for nucleic acid replication, is an attractive biomarker for severe
prognosis.[158] When the immune response is activated and the cytokine cascade
starts, serum iron decreases and is converted to ferritin, leading to an observed de-
crease in concentration after infection when compared to normal reference values.
In severe cases, serum iron concentration decreased significantly to 25.5 µg/dL due
to lymphopenia, and ferritin increased correspondingly. The serum iron recovered
after a median of 7-9 days of treatment in the intensive care unit. As a key biomarker
for health, blood glucose increased after infection among COVID-19 patients and
was well-correlated to disease severity.[146, 159] Well-controlled blood glucose
concentrations significantly reduced complications, adverse outcomes, and death
(Figure 2.10B).[141] Blood glucose provides novel insight into patients with se-
vere COVID-19 and possible avenues aimed at improving their disease outcomes.
Similar with glucose, lactic acid in serum increased after infection. In addition to
diabetes mellitus and chronic kidney disease, obesity, another health condition in
the metabolic syndrome cluster, has been linked to a high risk of severe COVID-19
illness and death.[160, 149] There is a clear relationship between increasing values
of BMI and the proportion of patients with severe COVID-19 (Figure 2.10C).[142]
These metabolic biomarkers paint an overall picture of the course and severity of
COVID-19 infection. Identifying declined metabolic health may be of great impor-
tance in the early diagnosis and treatment, potentially reducing hospitalization for
severe patients. However, it should be clarified that the reported results are limited
by small sample sizes and monitoring of metabolic biomarkers during treatment,
which may have had an unknown influence on the serology results. Additionally,
these biomarkers are not as specific to COVID-19 as viral products.
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Wearable Chemical Sensors

Wearable biosensors could play an important role for metabolic monitoring and
infection risk assessment during the COVID-19 pandemic through real-time and
continuous analysis of accessible body fluids like interstitial fluid, sweat, saliva,
and tears (Figure 2.10D-G).[65, 161, 68] Through low-cost, commercially avail-
able wearable biosensors such as continuous glucose monitoring (CGM) devices to
monitor blood glucose level in real-time, it is possible for clinicians to evaluate and
treat patients more efficiently based on the observed increase in blood glucose after
COVID-19 infection. Glycemic control through wearable CGM devices has been
advocated for in-hospital use to monitor COVID-19 patients, especially those with
diabetes, since hyperglycemia brought on by changes in medication and infrequent
glucose monitoring during COVID-19 hospitalization is a poor prognostic indica-
tor.[162, 163] More recently, wearable sensors with an enzymatic glucose sensor
can noninvasively monitor external body fluids (sweat,[143, 164, 165] tears,[144]
saliva[166]) and reflect the relative blood glucose levels (Figure 2.10D,E). The wear-
able biosensing technique can be applied to other biomarkers in sweat and saliva
toward noninvasive personalized metabolic monitoring. For example, sweat elec-
troactive metabolites and nutrients (e.g., uric acid, tyrosine) can be monitored by a
laser-engraved microfluidic wearable sensor patch (Figure 2.10F),[30] and metabo-
lites in saliva (e.g., uric acid and lactate) can also be monitored with a wireless
mouthguard biosensor (Figure 2.10G).[145] Urea in sweat has been monitored us-
ing a urease-modified enzymatic ammonium-ion-selective electrode to track protein
intake in the daily diet.[167] Besides the triage of severe cases, metabolic wearable
biosensors could be used for lifestyle monitoring and diet personalization for pre-
ventative healthcare and lowering the risk of severe COVID-19 outcomes prior to
infection.

These continuous chemical sensors may be combined with physical sensors de-
scribed previously to create a multimodal platform for health monitoring. Through
continuous data processing, machine learning, and mHealth incorporation of medi-
cal records, a multimodal health platform could provide key predictive information
regarding COVID-19 risk and advanced warning of COVID-19 infection. It should
also be noted that these telemedicine sensors could potentially allow noninvasive
monitoring of stress and mental health monitoring which has become a crucial soci-
etal issue during the pandemic.[31, 168, 169] The future of personalized medicine
will incorporate continuous and mHealth connected multimodal wearable platforms
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in preventative treatment plans, early infection prognosis, and telemedicine moni-
toring.

2.2.4 Outlook

Based on recent global trends, it is clear that the battle against COVID-19 is not
a passive one. While sheltering in place is the most effective method for stopping
the spread of COVID-19, it is not compatible with the global economy and com-
munal society we live in. Thus, in addition to face coverings and social distancing
measures, how we approach COVID-19 screening, diagnosis, and treatment must be
re-imagined. The ability to immediately isolate infected individuals and limit their
contacts through telemedicine monitoring and prognosis is imperative to containing
COVID-19.

COVID-19 testing has been one of the largest challenges during the pandemic.
Widespread and frequent testing with rapid turnaround time is necessary since
presymptomatic and asymptomatic carriers may contribute the most to spreading
the disease. LFAs are being bet on as a cheap, mass-producible, simple, and rapid
diagnostic tool. However, there are concerns that LFAs are not as accurate as
the standard RT-PCR. Moving toward inexpensive telemedicine, electrochemical
sensors may solve this problem with accurate and quantitative results, which may
better inform physicians. Additionally, diagnostic platforms may be advanced to
multiplexed designs to provide information regarding not only infection status but
also the immune response, inflammatory markers, and metabolic markers to better
understand the time course and severity of the infection. A key for telemedicine
implementation though is that diagnostic tools must be self-administered using
accessible samples including blood, saliva, or exhaled breath.

Once diagnosed, at-home isolation and monitoring of symptoms is necessary to
prevent overwhelming healthcare systems. By pairing continuous wearables that
monitor physiological markers and telemedicine platforms, physicians can track
patient health statuses in real-time and determine when to change treatment courses.
Through mHealth platforms, these data may be automatically analyzed for early
warning signs of patient degradation. At-home monitoring of metabolic markers
associated with prognosis may also allow for forward triage of COVID-19 patients.
These tools may allow for earlier intervention in serious cases and efficient allocation
of hospital resources to improve positive patient outcomes. Additionally, continued
telemedicine monitoring of chronic metabolic disorders may allow for preventative
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steps to be taken by changes in diet and lifestyle and treatments that would help to
lower their risk of severe COVID-19 outcomes.

Considering the large infected population and high transmission rate, manual contact
tracing and identification have become infeasible. Contact tracing and quarantine,
case isolation and monitoring, hygiene, and decontamination will be the new nor-
mal until a vaccine is widely available.[133] With the widespread availability of
commercial wearable devices and smartphone-based platforms, they can be used
for continuous monitoring of individuals as well as autonomous tracing of disease
activity. Machine learning and predictive algorithms of the user data will play a role
in disease identification and assessment. At a population level, these algorithms
combined with geographic app data may form more accurate models of the spread
that may guide quarantine strategies and reopening policies.

In conclusion, with new advances in remote diagnostics and wearable sensors,
telemedicine may be effectively leveraged for COVID-19. Through widespread,
rapid screening and at-home testing, mHealth reporting, and integrated wearable
technologies for symptom monitoring and prognosis, we may control future surges
of COVID-19 infections and optimize patient outcomes.
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C h a p t e r 3

NUCLEIC ACID-BASED WEARABLE AND IMPLANTABLE
ELECTROCHEMICAL SENSORS

Materials from this chapter appear in:
Cui Ye et al. “Nucleic acid-based wearable and implantable electrochemical sen-
sors”. Chemical Society Reviews 2024, doi: 10.1039/D4CS00001C

Biomarker information collected through blood sample analysis offers critical in-
sights into health management. However, this traditional approach is intermittent, re-
quiring frequent clinic appointments and invasive blood draws. The emerging fields
of implantable and wearable biosensing technologies present a dynamic shift toward
continuous, remote monitoring of health analytes. These innovations promise a new
era of precision medicine by allowing the collection of longitudinal health data with
biochemical sensors capable of measuring diverse biomolecular targets with high
sensitivity and robust stability (Figure 3.1).[1, 2, 3, 4, 5, 6, 7, 8, 9]

Implantable sensors may provide real-time insights into circulatory biomarkers
in the blood and interstitial fluid (ISF), as well as localized indicators of tissue
health and organ function. For instance, a biosensor placed in the brain can effec-
tively monitor neurochemical signals associated with mood, cognition, and brain
health.[10] Innovations in biofluid sampling and collection have enabled wearable
noninvasive analysis of health biomarkers through alternative biofluids such as ISF,
sweat, saliva, breath condensate, and tears.[11] With different secretory mecha-
nisms and biomolecular partitioning, each of these fluids offers a unique lens on the
body’s internal state. Wearable microneedle arrays can be used to monitor circu-
latory biomarkers in ISF, while sweat may be collected from the skin surface and
monitored for a wide range of small molecules such as amino acids, metabolites,
hormones, ethanol, and therapeutic and abused drugs.[3, 11, 12]

The development of wearable and implantable biochemical sensors is considerably
more challenging than creating activity trackers or traditional lab-based sensors.
The complexity arises from the need for these devices to not only enable continuous
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Figure 3.1: Overview of nucleic acid-based implantable/wearable electrochemical
sensors

on-body biochemical sensing but also ensure a reliable and precise analyte measure-
ment in the complex biofluid matrix. This requires highly specific biorecognition
elements with fast binding kinetics, highly efficient signal transduction, and in situ
regeneration capabilities for repeated measurements.[13, 14]

Conventional protein-based sensors relying on antibodies and enzymes are chal-
lenging to synthetically engineer for novel and diverse molecular targets. While
burgeoning biotherapeutic research has enhanced synthetic antibody discovery and
optimized high-affinity target binding, a lack of label-free electrochemical signal
transduction and sensor regeneration has limited their use in continuous on-body
sensing applications. Naturally occurring redox enzymes, such as glucose oxidase,
address these continuous sensing challenges, yet they have limited generalizability
due to the difficulty of simultaneously engineering for selective binding of new
targets and high catalytic activity.[15] Proteins thus present a gap in biosensing that
easily modifiable and amplifiable nucleic acids can bridge.

With the advent of systematic evolution of ligands by exponential enrichment (SE-
LEX), nucleic acid sequences have been designed to bind with high affinity to
molecular targets beyond the antisense strand. Employing nucleic acids as biorecog-
nition elements holds great significance in implantable and wearable sensor design
as they possess robust binding capabilities, ensuring selective detection of specific
molecules. The high affinity of nucleic acids also translates to minimal background
noise, further enhancing the reliability of the measurements. Moreover, their ease
of synthesis and ability to be regenerated make them both effective and economical
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choices for sensor design.[14, 16, 17]

This chapter discusses how nucleic acid-based sensors have expanded continu-
ous electrochemical biosensing capabilities, especially in small molecule detection.
Various nucleic acid design schemes are presented for biorecognition and electro-
chemical signal transduction, including strand displacement and aptamer structure
switching, as well as redox probe manipulation and transistor-based sensing, re-
spectively. The role of nucleic acid sensors in continuous sensing is contextualized
through key examples in wearable and implantable sensing platforms. Lastly, design
criteria for the ideal continuous nucleic acid sensor are summarized with an outlook
toward the next generation of wearable and implantable nucleic acid sensors.

3.1 Nucleic Acid-Based Sensing Strategies

Nucleic acid hybridization is one of the most specific biorecognition events in na-
ture. Predictable base pairing and hydrogen bond interactions make nucleic acids
easy to engineer as nucleic acid bioreceptors and malleable to non-nucleic acid
target biorecognition. High-throughput nucleic acid amplification enables efficient,
low-cost bioreceptor discovery. Well-studied, unique properties of deoxyribonu-
cleic acid (DNA) allow for nucleic acid-specific sensor designs that might exploit
DNA hybridization, thermal denaturing, and DNA’s negatively charged phosphate
backbone to name a few. For these reasons, nucleic acid-based sensors have emerged
as versatile and significant tools for biochemical sensing.

In this section, we delve into the variety of nucleic acid biorecognition elements and
discuss the signal transduction mechanisms employed in implantable and wearable
sensor applications (Figure 3.2). Our analysis encompasses the key categories
of nucleic acid recognition elements, namely single-stranded nucleic acid probes
and aptamers, which serve as both direct binding and strand-displacement sensing
agents. Additionally, hybrid mechanisms that combine properties of nucleic acid
strands with the biorecognition capability of proteins and antibodies are gaining
prominence in the realm of innovative sensing approaches. Nucleic acid structure
switches leveraging binding-induced conformational changes are dually explored as
selective biorecognition elements and effective transducers. We then discuss signal
transduction methods with a primary focus on redox probe-based electrochemical
sensing and transistor-based sensing.
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Figure 3.2: Nucleic acid-based implantable/wearable sensing strategies
(A) Classes of available nucleic acid-based recognition elements. (B) Signal transduc-
tion strategies, including redox probe localization, redox probe capture and removal, and
transistor-based sensing.

3.1.1 Biorecognition

Nucleic acid sensing of genetic markers, cell-free DNA, and pathogenic DNA relies
on direct binding of complementary DNA (cDNA) probes. Assuming sufficient tar-
get DNA is present for interaction (possibly requiring amplification), spontaneous
and selective hybridization will occur. Nucleic acid biorecognition was improved
upon with the introduction of self-hybridizing hairpin molecular beacons that trans-
duce the precise recognition of complementary targets to a detectable signal.[18]
The molecular beacon sensing scheme has served as a springboard for modern
nucleic acid-based sensor designs. With the advancement of reproducible, high-
throughput nucleic acid synthesis, nucleic acid binding capabilities have expanded
to non-nucleic acid targets. We describe the key nucleic acid-based biorecogni-
tion elements that have been realized for wearable and implantable biochemical
sensing. Our discussion focuses on aptamers and hybrid mechanisms, such as clus-
tered regularly interspaced short palindromic repeats (CRISPR)-Cas systems and
protein-coupled molecular pendulums.



62

Aptamers

The capability of nucleic acids to bind small ligands motivated the in vitro se-
lection of single-stranded ribonucleic acid (RNA) and DNA oligonucleotides that
bind to specific ligands.[19] This new class of nucleic acid binding species, termed
aptamers, could bind a wide variety of molecular targets for therapeutic and diag-
nostic applications. Aptamers noncovalently interact with ions, small molecules,
peptides, proteins, and hormones.[20] Like molecular beacons, aptamers undergo
binding-induced conformational changes based on their self-hybridized hairpin
structures.[21] The structure-switching behavior allows aptamers to also transduce
the biorecognition event to an optical or electrochemical signal.

An in vitro method known as SELEX is widely used for aptamer discovery and
selection of structure-switching aptamers.[21, 22, 23] In this method, a library of
randomized RNA or DNA recognition sequences undergoes a variety of successive
selection rounds to tune the selectivity and affinity of the aptamer to the target. The
binding kinetics and signaling response is evaluated for the final selected sequences.
This iterative process is highly customizable with alternative library designs and
innovative selection rounds having the potential to produce a variety of structure-
switching aptamers.[21]

Aptamer structure plays a significant role in the signal transduction and sensor de-
sign scheme. Aptamers are 20-100 nucleotides in length yet can form a variety of
structures including duplexes, hairpins, and G-quadruplexes that are either stabilized
or destabilized through noncovalent target interactions.[20, 24] Structure-switching
classes of aptamers include stem-loop aptamers, split aptamers, strand-displacement
aptamers, and triple-helix aptamers.[21, 25] Stem-loop aptamers are based on the
molecular beacon designs with a hairpin structure stabilized by a self-hybridized
stem region of optimal length.[21] Split aptamer designs cleave a target-binding
sequence at non-binding loop regions to create fragments that only associate in the
presence of the target. This design may help to preserve structural elements key to
target binding, but it also presents the challenge of coordinating the target-specific
assembly of multiple components. Strand-displacement aptamers involve a com-
plementary cDNA strand that is initially hybridized to the aptamer. Upon binding
of the target molecule to the aptamer, the cDNA strand is displaced, signaling the
presence of the target. The triple-helix molecular switch involves a hairpin aptamer
that is stabilized by an oligonucleotide sandwiched between the stem strands.[25]
Similar to strand-displacement aptamers, the target-binding of the outer hairpin
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results in dissociation from the sandwiched strand, which then participates in sig-
nal transduction. In any case, the aptamer design process requires thermodynamic
optimization between the bound and unbound states that is adjusted for by the intro-
duction of destabilizing mutations.[17, 21] Aptamers thus face a recurring challenge
of bioreceptor design: the trade-off between affinity and dissociation, key factors in
determining a biosensor’s sensitivity and regeneration capability for repeated use.

Hybrid Mechanisms

Programmable CRISPR-Cas gene editing techniques have demonstrated highly se-
lective recognition of target nucleic acid sequences that may be adapted for biosens-
ing. The hybrid system relies on guide RNA (gRNA) hybridization to a target
sequence to activate Cas enzyme cleavage of the target DNA.[26] CRISPR-Cas
DNA sensing surpasses the detection accuracy of hybridization-based electrochem-
ical DNA sensors enabling point-mutation analysis. Electrochemical CRISPR (E-
CRISPR) sensing is performed using an electrode functionalized with a redox-
labeled cDNA strand which captures the target single stranded DNA (ssDNA).
CRISPR-Cas9 and CRISPR-Cas12a systems are typically used to recognize the
target sequence and cleave the cDNA strand releasing the redox probe from the
electrode surface and producing a measurable change in the redox current.[26]
E-CRISPR signal transduction has also been performed using a functionalized
graphene field effect transistor.[27] E-CRISPR sensing enables ultrasensitive label-
free detection of unamplified target genes and pathogenic DNA.[27, 28, 29] Com-
bined aptamer-CRISPR systems allow for molecular detection beyond nucleic acids.[28]
Due to their modular design and high accuracy, CRISPR-Cas sensors demonstrate
great promise for wearable health monitoring.[30, 31]

DNA can also be coupled with traditional bioreceptors, such as antibodies, to form
a hybrid molecular switch. Antibody-based assays for small molecule sensing are
often competitive assays with multi-step labeling. Linked DNA scaffolds can be
used to attach a molecular competitor within the vicinity of the antibody enabling
continuous concentration-dependent competitive binding and fluorescent beacon
signaling. Antibody-switches have been used to continuously sense cortisol and
the cardiac glycoside digoxin in human blood.[32, 33] In a molecular pendulum
design scheme, a DNA linker anchors the bioreceptor to the electrode surface and
provides a means for signal transduction with a redox probe-labeled cDNA. This
hybrid mechanism allows for high-affinity target binding at picomolar levels and
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label-free signal transduction by exploiting the electrostatic properties of DNA.
Molecular pendulum designs have been demonstrated using antibodies for a variety
of targets including troponin I, B-type natriuretic peptide (BNP), interleukin-6,
immunoglobulin E, and SARS-CoV-2 spike protein.[34, 35] Molecular pendulum
designs utilizing aptamer recognition elements have also been demonstrated for
BNP and N-terminal pro BNP (NT-proBNP).[36] With a modular biorecognition
element, hybrid molecular switches expand the sensing capabilities of nucleic acid-
based sensors to targets beyond nucleic acids and small molecules.

3.1.2 Signal Transduction

Nucleic acid sensing has traditionally relied on optical signal transduction methods.
A fluorophore interacts with a quencher based on nucleic acid molecular interactions
to produce a concentration-dependent fluorescent signal via fluorescence resonance
energy transfer (FRET). Due to the simple signal transduction, molecular beacon
fluorescence may be modulated in a variety of ways, including strand displace-
ment, CRISPR-Cas cleavage, and aptamer structural switches. FRET quenching
has played a significant role in aptamer beacon discovery, enabling the screening
and selection of aptamer sequences with significant conformational changes upon
molecular binding.[21, 22, 37] However, for wearable and implantable applications,
optical systems face challenges in miniaturization and form factor in comparison
to electrical systems. Fortunately, these optical techniques are easily translated to
electrochemical methods by using redox moieties like methylene blue (MB) and
ferrocene (Fc).[38] Additionally, nucleic acid-functionalized transistors act as both
electrochemical transducers and amplifiers, further enhancing molecular detection
capabilities. Here, we provide an overview of how nucleic acid-based biorecog-
nition mechanisms are employed for transducing biomolecular binding events into
measurable electrical signals.

Redox Probe Localization

For electrochemical signal transduction, the nucleic acid detection probe is often
labeled with a redox moiety like MB to observe target-dependent changes in electron
transfer. The electron transfer of a redox reporter can be manipulated by chang-
ing the distance of the reporter to the working electrode surface. Electrochemical
aptamer-based (EAB) sensors utilize a redox moiety-labeled aptamer attached to
the electrode surface to measure the target binding-induced conformational change.
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The change in position of the redox probe can be interrogated using a variety of elec-
trochemical techniques, including square wave voltammetry (SWV), cyclic voltam-
metry (CV), chronoamperometry (CA), intermittent pulse amperometry (IPA), and
electrochemical impedance spectroscopy (EIS).[17, 39]

Amperometric techniques directly measure the current decay rate from the surface-
tethered redox probes. In the folded state, the redox reporter moves closer to the
surface and experiences a stronger electric field for accelerated electron transfer
measured by a faster current decay rate. The time constant of the measured cur-
rent is easily optimized for by overlaying chronoamperometric traces.[39] CA and
IPA allow for rapid time-resolved measurements limited only by data acquisition
rates.[40] A tobramycin EAB sensor response was demonstrated as fast as 2 ms
using IPA interrogation.[39]

SWV is the most common method for EAB sensor interrogation. SWV potential
scans result in a peak current at the reporter’s redox potential. This technique is
favored for its measurement sensitivity by limiting the nonfaradaic current contri-
bution. A key SWV parameter for EAB measurement is the SWV frequency, which
relates to the optimized time constant used in amperometric methods.[41] At high
frequencies, fast electron transfer of probes close to the electrode surface is cap-
tured. At low frequencies, slow electron transfer of probes far from the electrode
surface is captured. Depending on the SWV measurement frequency and binding
dynamics of the aptamer probe, the current will vary logarithmically with target
concentration in either a signal-off or signal-on manner. The SWV amplitude also
requires optimization since reduction and oxidation rates of the redox reporter vary
differentially between the bound and unbound states.[41]

The intrinsic electron transfer of the chosen redox moiety as an additional sen-
sor design factor plays a significant role in maximizing the EAB signal response.
Anthraquinone and Fc redox reporters exhibit slow and fast electron transfer, respec-
tively, relative to MB, limiting these responses to either the signal-on or signal-off
regime.[41] In contrast, MB-coupled aptamers often have a signal-off, nonrespon-
sive, and signal-on SWV frequency, enabling normalization calculations to account
for signal drift and batch variation.[42, 43]

For molecular pendulum signal transduction, the redox-labeled pendulum arm is
manipulated using electrostatic attraction. When a positive potential is applied to
the electrode, the negatively charged DNA linker bends toward the electrode sur-
face. As the angle between the electrode and the pendulum arm decreases, the redox
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probe at the terminus of the cDNA strand moves closer to the electrode surface
and down the electric field gradient. By choosing a redox reporter that is oxidized
at a positive potential, such as Fc, electron transfer by the redox reporter can be
measured as current. While the DNA linker arm experiences an electrostatic force
toward the electrode surface, the terminal biorecognition element contributes sig-
nificantly to an opposing hydrodynamic drag force. Binding of the target analyte to
the molecular pendulum only increases the drag and subsequent transit time toward
the electrode surface. The transit time is then correlated to the current decay such
that current measurements at a chosen time constant from a chronoamperometric
trace are correlated with the target concentration. This technique maintains strong
performance across different biofluids, such as blood, saliva, sweat, tears, and urine,
despite changes in viscosity impacting the molecular pendulum transit time.[34]
Rather, the signal transduction is significantly influenced by the size of the target. A
prime example of this is in the molecular pendulum’s ability to distinguish between
free spike protein and a SARS-CoV-2 viral particle using the same anti-spike anti-
body molecular pendulum.[35] The molecular pendulum is thus a promising nucleic
acid-based approach for ultrasensitive, label-free sensing of peptides and proteins.

Redox Probe Capture and Removal

Standard structure switching EAB sensors are limited in sensitivity by high back-
ground current and low transduction efficiency. The disadvantage of redox probe
localization is that the signal response is low due to a non-zero background signal
from redox probes maintained within proximity to the electrode surface. In contrast,
redox probe capture and removal allows for clearly defined bound and unbound signal
states, enhancing the signal response and dynamic range. This method is employed
primarily by strand displacement switches and E-CRISPR. For strand displacement
switches, the redox-labeled nucleic acid strand is not tethered to the electrode surface
but is instead displaced during target-binding. As described previously, E-CRISPR
sensors remove the redox probe by target-mediated Cas cleavage.

A strand-displacement aptamer sensor for estradiol achieved picomolar detection
in sweat.[44] Target binding to an aptamer tethered at a biorecognition interface
released the MB-conjugated cDNA, which was then captured by a tethered ssDNA
at a parallel sensing electrode. This provides an indirect measure of the number of
bound aptamer receptors. Since the aptamer is not the electrochemical probe, strand
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displacement is a promising signal transduction method for aptamer sequences with
strong target binding affinity that may not elicit a large conformational change.

Transistor-Based Sensing

Biomolecular interactions may be amplified using transistor-based approaches for
efficient signal transduction. The nonlinear signal response of transistors enables
high sensitivity and a large dynamic range for target detection. In the case of
field-effect transistor (FET) sensors, nucleic acid bioreceptors tethered to thin-film
semiconductor channels alter the transconductance upon target binding, resulting
in significant changes in the measured source-drain current. Aptamer-based FET
designs have been demonstrated for a variety of charged, neutral, and zwitterionic
target biomarkers.[45, 46, 47] The structure-switching aptamer redistributes surface
charges as the negatively charged aptamer reorients closer to or away from the FET,
thus changing the effective gate potential and source-drain current. Starting with
a high transconductance is important to achieve a highly sensitive FET. Choosing
a semiconductor with high electron mobility, such as indium oxide or graphene,
enhances the intrinsic signal response. Additionally, interdigitating the source and
drain electrodes increases the channel width, which increases the transconductance
and the biorecognition area.[45] Although FETs have promising detection capabili-
ties, fabrication challenges often lead to batch variation. Calibration methods may
be used to help account for device-to-device variation.[46]

The Debye-length limitation requires that FET recognition events occur within the
Debye length. A molecular electromechanical system (MolEMS) approach im-
proved aptamer-FET sensing by using a rigid tetrahedral double-stranded DNA
(dsDNA) base with a flexible ssDNA cantilever ending in an aptamer biorecep-
tor.[48] The aptamer in this setup has the flexibility to capture analytes beyond the
Debye length, with an extension length of about 12 nm. Upon applying a negative
gate potential, the cantilever was actuated toward the FET surface for FET detec-
tion within the Debye length. This technique demonstrated selective detection of
proteins, small molecules, ions, and nucleic acids at sub-attomolar concentrations.
Moreover, the tetrahedral base serves as an antifouling layer suppressing nonspecific
adsorption to the FET channel.

In contrast to FETs, organic electrochemical transistors (OECTs) are easily pat-
terned using a conducting polymer channel interfacing with the gate electrode by a
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liquid electrolyte. Ease of fabrication allows OECTs to take on a variety of form
factors to directly interface with biofluids for wearable and implantable sensing.[49,
50, 51] In this method, the binding of the target to the biorecognition element
alters the gate current, which ultimately controls ion penetration into the volume
of the polymer channel, typically made of poly(3,4ethylenedioxythiophene) doped
with poly(styrene sulfonate) (PEDOT:PSS). Changes in the ion-modulated chan-
nel conductance are then measured as the source-drain current. OECTs have been
demonstrated to amplify the electron transfer kinetics of redox-labeled aptamers
attached to the gate electrode.[52, 53] Aptamer-based OECT transduction was opti-
mized further by applying a pulsed square wave gate voltage sweep to better capture
transient currents of the redox reporter.[51] Using gate and working electrodes of
the same size, the OECT SWV signal amplifies the standard aptamer 3-electrode
SWV signal by almost 200-fold. Also, relative OECT amplification increases as the
channel size decreases, such that the signal is maintained in smaller devices. Pulsed
aptamer-based OECT thus enables the miniaturization of EAB sensing.

To summarize, the modular design of nucleic acid-based sensors presents diverse
biochemical sensing opportunities. The regeneration capabilities of some aptamers
demonstrates their potential as continuous sensing bioreceptors.[17] Label-free sig-
nal transduction using redox probes or transistors allows for automatic detection
and repeated interrogation. Additionally, nucleic acid-based signal transduction
mechanisms employ few components, alluding to low-cost and facile fabrication
for mass manufacturing. These characteristics make nucleic acid-based sensors
highly translatable to wearable and implantable applications for continuous health
monitoring.

3.2 Nucleic Acid-Based Wearable Sensors

Wearable biosensors have emerged as a progressive tool in the health and medical
fields, offering the ability to continuously monitor physiological states in real-
time through minimally invasive or noninvasive methods.[2, 12, 54, 55] These
devices analyze biochemical markers present in alternative biofluids such as sweat,
tears, saliva, and ISF, providing valuable health insights without the discomfort or
complexity associated with traditional blood tests.[56] The adaptation of nucleic
acid-based biosensor systems for use in wearable technologies presents innovative
opportunities as well as unique design challenges.

Key considerations in the development of these wearable nucleic acid-based biosen-
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sors include the stability of the nucleic acid components in diverse biofluids, the
need for robust and reliable signal transduction mechanisms that function effectively
in the wearable format, and the integration of data processing and communication
technologies for real-time analysis and feedback.[12] Additionally, it is crucial that
biomarkers present at lower concentrations in alternative biofluids are met with
highly sensitive biosensors.[57] Wearable biosensors must be designed with user
comfort and convenience in mind, ensuring that they are lightweight, flexible, and ca-
pable of performing continuous monitoring without interfering with daily activities.
Addressing these challenges requires innovative materials science, bioengineering,
and electronic design strategies to create wearable nucleic acid-based biosensors
that are not only effective but also practical for everyday use. As we navigate these
challenges, the potential for wearable biosensors to transform health monitoring and
personalized medicine becomes increasingly tangible, promising a future where
detailed physiological insights are seamlessly integrated into daily life.

3.2.1 Wearable Microneedle Sensors in ISF

Unlike subcutaneous implants, wearable microneedle patches offer a minimally inva-
sive, painless method for the collection of ISF from the skin for post-sampling anal-
ysis or in situ real-time biosensing (Figure 3.3A).[58, 59] This innovative approach
facilitates disease diagnosis and the monitoring of long-term drug pharmacokinetics
through wearable devices.

The first use of microneedle EAB sensors for continuous molecular measurements
was demonstrated in flow systems in vitro using single and multiplexed microneedle
array configurations (Figure 3.3B).[60] Recent EAB microneedle implementations
have fallen short in vivo sensing performance despite using complex and expensive
microneedle fabrication methods. A robust gold nanoparticle (AuNP) coated mi-
croneedle coupled with an EAB biosensing patch (µNEAB-patch) was introduced
for minimally invasive, continuous, and real-time monitoring of drug pharmacoki-
netics in ISF (Figure 3.3C).[61] Widely available clinical-grade needles optimized
for dermal application are readily transformed with a single Au deposition step and
aptamer coating to cost-effectively produce a high-quality working electrode for
transdermal sensing. This simultaneously leverages the needle’s sharpness for skin
penetration and its conductivity for signal transduction. This approach enables the
detection of a broad range of ISF analytes, particularly focusing on antibiotics with
narrow therapeutic windows, demonstrating its potential for clinical applications in
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Figure 3.3: Nucleic acid-based wearable microneedle sensor in interstitial fluid
(A) Principle of wearable microneedle sensor. (B) Microneedle aptamer-based sensors for
continuous, real-time therapeutic drug monitoring. [60] (C) Wearable microneedle-based
electrochemical aptamer biosensing of various drugs with narrow therapeutic windows.
[61] (D) Tetrahedral nanostructure-based Natronobacterium gregoryi Argonaute (NgAgo)
for long-term stable monitoring of ultratrace unamplified nucleic acids. [62]

drug exposure monitoring through in vivo animal studies.[63, 64]

Apart from the small molecule analysis from ISF, a wearable device utilizing Na-
tronobacterium gregoryi Argonaute (NgAgo) coupled with tetrahedral DNA nanos-
tructures was demonstrated for the sensitive and long-term monitoring of unam-
plified nucleic acids in vivo, targeting applications like sepsis detection through a
microneedle biosensor integrated with a flexible circuit and a stretchable epidermis
patch (Figure 3.3D).[30, 62] Specifically, the in vivo experiments, exploring the
NgAgo/guide DNA recognition mechanism and signal processing, demonstrate the
device’s capability for real-time monitoring of cell-free DNA and RNA with fem-
tomolar sensitivity over 14 days, offering a new approach for on-body nucleic acid
detection and personal health management.

Microneedle-based wearable sensors represent a pivotal innovation in the field of
minimally invasive biosensing, enabling the real-time monitoring of ISF biomarkers
for disease diagnosis and drug monitoring.[63] Despite their significant advantages
over subcutaneous implants, including painless application and the ability to conduct
post-sampling analysis or in situ biosensing, these devices face several operational
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challenges that can impact their performance and reliability. One such challenge
is the poor signal-to-noise ratio (SNR) encountered in some EAB microneedle
sensors, which can obscure the detection of target analytes and reduce the accuracy
of the measurements. Additionally, the degradation of the sensing layer during
in vivo operation presents a critical hurdle, affecting the sensor’s longevity and
functionality. These issues are compounded by the complexity and cost of the
fabrication processes required to construct these advanced biosensing platforms,
posing barriers to widespread adoption and clinical integration.

Recent advancements in microneedle technology indeed offer solutions to some of
these challenges by enhancing the stability and conductivity of the microneedles,
thus facilitating stronger aptamer immobilization for accurate biomarker detection
in vivo. However, ensuring consistent and reliable skin penetration without causing
tissue damage, alongside maintaining the sensor’s integrity and performance over
extended periods, remains a significant concern. Moreover, expanding the range of
detectable analytes, particularly for complex biomarkers like unamplified nucleic
acids, introduces additional complexities in sensor design and signal processing.
Nonetheless, advancing microneedle-based wearable sensors toward clinical appli-
cation necessitates overcoming these operational challenges through continued inno-
vation in materials science, sensor technology, and fabrication techniques, ensuring
that these promising devices can fulfill their potential in personalized healthcare and
disease management.

3.2.2 Wearable Sensors for Noninvasive Molecular Analysis

Since extracting diagnostically useful ISF at sufficient volumes is challenging, non-
invasive wearable devices provide an alternative pathway to clinical diagnostics
(Figure 3.4A).[12, 67] In contrast to minimally invasive wearable microneedle-based
devices, noninvasive wearable chemical sensors using alternative body fluids, such
as sweat, saliva, and tears, can provide real-time analysis that is difficult to achieve in
typical laboratory blood analysis.[1, 11, 12, 68, 69] Due to their diverse biomarker
compatibility and a modular design scheme, the nucleic acid-based wearable de-
vices can be designed to perform multiplexed measurements of biochemical markers
in real-time that would be transformative for diagnostics. These low-cost devices
enable remote, at-home health monitoring with high-resolution and time-resolved
electrochemical recordings informing physiological and psychological dynamics.

Accessible secretory fluids such as sweat, saliva, and tears are highly filtered from
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Figure 3.4: Nucleic acid-based wearable sensors for noninvasive molecular analysis
(A) Principle of noninvasive wearable sensor. (B) Wearable aptamer-field-effect transistor
sensor for noninvasive cortisol monitoring. [46] (C) A noninvasive pseudoknot-assisted ap-
tamer wearable stress patch for real-time cortisol measurement. [singh_noninvasive_2023]
(D) Wearable aptamer nanobiosensor for noninvasive female hormone monitoring. [44] (E)
A bacteria-responsive DNA hydrogel-based battery-free wearable sensor for wound infec-
tion monitoring. [65] (F) A multiplexed aptamer sensor array for in situ wound monitoring
of inflammatory mediators and microbial proliferation. [66]

their blood and ISF origins, leading to substantially lower biomarker concentra-
tions than in blood. toward this end, a flexible biosensor array utilizing a cortisol
aptamer integrated with thin-film In2O3 FETs was reported for picomolar level
cortisol detection (Figure 3.4B).[46] The study tracked salivary cortisol levels in
stress test participants and correlated these with diurnal sweat samples, leading to
the development of an aptamer-FET smartwatch for continuous, real-time monitor-
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ing of cortisol. To meet the high demand for wearables mounted on the skin or
integrated into clothing, the ultra-lightweight conductive nanofibers were electro-
spun to fabricate a liquid-ion gated FET on polyester for wearable cortisol aptamer
sensing.[70]

Higher sensitivity and dynamic range may also be obtained by reducing the back-
ground current and improving the SNR of the sensor. EAB sensors typically rely
on a conformation switch resulting in high background current due to the un-
clear position of the signal molecule in its unbound state. To improve upon this,
a pseudoknot-assisted structure switching aptamer was implemented in a flexible
electronic and soft microfluidic wearable platform for pH-calibrated, continuous,
noninvasive cortisol monitoring in sweat (Figure 3.4C).[singh_noninvasive_2023]
The pseudoknot tethers the redox reporter to the loop region of the unbound ap-
tamer receptor, locking it in a distanced position from the electrode to minimize
the background current. To address ultralow detection limits, unique redox probe
capture and removal methods can be employed. A skin-interfaced wearable ap-
tamer sensing platform was constructed using a target-induced strand displacement
method, enabling noninvasive, in situ monitoring of female hormone levels in sweat
(Figure 3.4D).[44] The sensing scheme is amplification-free and reagentless, and
yet achieves a picomolar detection limit using a signal-on approach coupled with a
AuNP-MXene modified working electrode. This comprehensive system can realize
sweat analysis at rest autonomously via iontophoresis induction and microfluidic
sample collection. Additionally, to support sweat matrix variability, the sensing
platform conducts real-time calibration utilizing a multivariable analysis of pH,
ionic strength, and temperature. The platform then wirelessly sends measured and
processed sweat hormone data to a mobile device application for review. Such skin-
conforming microfluidic nucleic acid-based sensors have great potential to help
individuals monitor their health noninvasively at-home.

Wound infections represent a considerable clinical challenge, necessitating timely
detection for effective intervention. Wireless wearable sensing technology enables
direct wound interfacing for advanced, home-based detection and management of
medical conditions.[71, 72, 73] A bacteria-responsive DNA hydrogel was used to
fabricate the battery-free wearable sensor for wound infection monitoring on the
basis of pathogenic nuclease activity (Figure 3.4E).[65] The sensor patch identifies
clinical levels of Staphylococcus aureus before any visible signs of infection become
apparent. Monitoring additional parameters in the wound bed can yield informed,
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proactive treatment for improved wound management. However, existing sensing
technologies can only track a limited number of wound parameters. A flexible
and multiplexed biosensing platform was developed by integrating an aptameric
sensor array for measuring inflammatory mediators and physicochemical parameters
(Figure 3.4F).[66] This technology was demonstrated to enable in situ multiplexed
wound monitoring in a mouse model and patients with venous leg ulcers. Its
immense potential lies in personalizing wound management, thereby enhancing the
healing outcomes of chronic wounds.

The advent of wearable biosensors for noninvasive monitoring of biomarkers in
alternative biofluids, such as sweat, saliva, tears, and wound exudate, is a leap in
diagnostics with transformative implications for personalized, at-home health mon-
itoring. These needle-free devices offer a less intrusive alternative to traditional
blood tests and ISF microneedles and enable the continuous tracking of physio-
logical and psychological states in real-time. However, the operational challenges
associated with working in alternative secretory fluids are significant and multi-
faceted, particularly when it comes to maintaining accuracy and reliability. Strain,
temperature, pH, biofouling, and immune reactions under long-term use are critical
factors that can affect sensor performance.[1, 2, 3, 4, 5, 6, 7, 16, 31, 59, 74] For
example, the mechanical strain from daily movements can alter sensor readings,
while temperature variations can affect the biochemical reactions that sensors rely
on for biomarker detection. The pH of biofluids can also vary between individuals
and over time, potentially impacting biosensor function. In the case of wearable
technology for chronic wound management, significant challenges remain in their
practical application. A smart dressing should maintain a moist environment to
protect against secondary infections and promote tissue regeneration, while also
absorbing and removing exudate from the wound.

Addressing these challenges requires innovative sensor design and materials sci-
ence approaches to improve the resilience and adaptability of wearable biosensors.
For instance, employing flexible, skin-like conductive materials that can conform
to the wearer’s movements and resist biofouling, alongside integrating microfluidic
systems for sweat analysis that are calibrated for pH and temperature, can enhance
sensor accuracy. For chronic non-healing wounds, a highly breathable, wearable
smart dressing would shield the wound bed from bacterial infiltration and monitor
for infection risk for early intervention. Furthermore, the development of signal-
on detection mechanisms minimizing background current and boosting sensitivity
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showcases the importance of engineering solutions to biochemical challenges in
wearable sensor design. As research and development in wearable biosensors ad-
vance, overcoming the operational challenges will enable these technologies to fully
realize their potential, ushering in a new era of healthcare monitoring and personal-
ized medicine.

3.3 Nucleic Acid-Based Implantable Sensors

Implantable medical devices are pivotal in modern healthcare, providing essential
diagnostic, therapeutic, and regenerative functions across various clinical applica-
tions such as drug delivery, vital signs monitoring, and tissue repair.[75, 76, 77]
Among these, nucleic acid-based implantable sensors stand out for their ability to
offer real-time, reagent-free sensing of biomarkers through affinity-based molecular
detection. These devices are designed with biocompatible housings, detection sys-
tems employing electrochemical or optical methods, and advanced communication
interfaces for seamless data transmission.[78, 79] Material selection plays a crit-
ical role in the development of implantable sensors, particularly when leveraging
affinity probes such as nucleic acid-based recognition elements for the selective
detection of neurochemical markers and circulating biomarkers.[80, 81] The choice
of materials is guided by the need for biocompatibility, ensuring that the sensors not
only integrate seamlessly into the body’s physiological environment without elicit-
ing significant inflammatory responses but also maintain their functional integrity
over time. Biocompatible materials, including polymers, metals, silicon, and their
composites, are engineered to mimic the mechanical properties of native tissues
and be biochemically inert to prevent an immune response and fouling, all toward
facilitating accurate and stable sensing capabilities.[82] This engineering approach
enables the deployment of implantable sensors that can monitor a variety of molec-
ular targets directly within the cerebrospinal fluid (CSF) or through intravenous and
subcutaneous routes for the analysis of biomarkers in blood and ISF.[11, 79] By in-
tegrating nucleic acid-based recognition elements, these sensors offer the selectivity
needed for the detection of specific neurotransmitters and circulating biomarkers,
enhancing our ability to diagnose and monitor neurological conditions and systemic
diseases.
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Figure 3.5: Nucleic acid-based implantable neurochemical sensing
(A) Principle of implantable neurochemical sensing. (B) Aptamer cholesterol amphiphiles
on the alkyl chain-functionalized carbon fiber microelectrodes for probing neurochemical
dynamics. [83] (C) Aptamer-coupled microelectrode fiber sensor for in vivo dopamine
detection. [84] (D) Flexible and implantable neuroprobes with aptamer-field-effect transistor
biosensors for neurotransmitter monitoring. [85] (E) Soft implantable aptamer-graphene
microtransistor probe for real-time monitoring of neurochemical release. [86]

3.3.1 Implantable Neurochemical Sensing

Nucleic acid-based implantable neurochemical sensors represent a critical approach
in neurological monitoring and nervous system signaling. Utilizing the unique
properties of nucleic acids, particularly aptamers, these sensors offer a highly selec-
tive and sensitive method for detecting and quantifying neurochemicals in real-time
(Figure 3.5A).[87] The levels of neurochemicals in the extracellular fluid are crucial
for studying brain functions. However, monitoring these levels is challenging due to
the chemical and physiological complexity of the central nervous system (CNS).[10]
A variety of synthetic aptamers have been designed to bind neurotransmitters and
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other neurologically relevant molecules, making them ideal for continuous sensing
applications.[88] This provides an invaluable tool for the continuous monitoring
of neurochemical biomarkers, essential for understanding normal neural function,
diagnosing neurological disorders, and evaluating the efficacy of treatments. For
instance, monitoring fluctuations in neurotransmitters such as dopamine and sero-
tonin provides insights into various psychiatric and neurodegenerative conditions,
including depression, schizophrenia, Parkinson’s, and Alzheimer’s disease.[89]

The conventional use of rigid materials in implantable electrodes can induce adverse
tissue responses that compromise sensor functionality. Traditional implantable
electrodes, such as early neuroprobes, are made from rigid materials like silicon or
metal, which significantly differ in stiffness compared to biological tissues.[88] For
instance, silicon’s stiffness is around 200 GPa, which is in stark contrast with the
brain tissue’s softness, measured at roughly 10 kPa.[90] This vast discrepancy in
Young’s modulus triggers immune reactions and the formation of glial scars, greatly
impacting the biosensor performance. The immune reactions can cause signal
degradation due to biofouling, while scar tissue formation can reduce the precision
and sensitivity of the device over time by obstructing the interaction between the
sensor surface and the surrounding tissue.[zou_antifouling_2021] However, recent
advances in soft and flexible electronics offer promising solutions to these challenges,
suggesting a way forward for improving implantable sensor performance.

A strategy for interfacing aptamers with carbon fiber microelectrodes (CFEs) was
developed to create highly selective systems for dopamine (DA) sensing in vivo
(Figure 3.5B).[83] An interfacial functionalization strategy was applied to assem-
ble aptamer cholesterol amphiphiles (aptCAs) onto alkyl chain-functionalized CFE
surfaces through noncovalent interactions, enabling aptamer immobilization on the
CFE surface and neurotransmitter recognition with high sensitivity. The integration
of high-affinity aptamers into these platforms marks a significant advancement by
addressing the issue of nonspecific binding that hampers clinical translation. A
flexible and multifunctional polymer-based fiber microelectrode was modified with
Fc-tagged aptamers for highly selective DA detection, where the redox reaction of Fc
serves as an indicator and signal output based on the target binding-induced aptamer
conformation change (Figure 3.5C).[84] The study demonstrated the potential of
fiber-based toolsets for multimodal exploration of brain pathophysiology, showing
how these sensors can provide valuable insights into the neurochemical basis of
neurological conditions.
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Implantable aptamer-functionalized In2O3 FET neuroprobes were fabricated by
high-throughput microelectromechanical system (MEMS) technologies (Figure 3.5D).[85]
Thiol-terminated aptamers designed for specific target recognition are attached to
semiconductor surfaces of FETs, where conformational changes upon target capture
lead to surface charge redistribution. This change can be detected by the voltage-
gated semiconductor, thus aptamer-FET neuroprobes enable femtomolar serotonin
measurement in brain tissue with minimal biofouling. Despite the necessity for flex-
ible devices for neurotransmitter monitoring, the Young’s moduli of many flexible
substrates (such as PET) remain significantly higher than that of brain tissue. A
viable approach is to make these materials thinner, since the bending stiffness is pro-
portional to the cube of thickness following a rectangular beam geometry. Polyimide
devices with thicknesses <10 µm have been shown to have optimal bending stiffness
and conformal contact with tissue. The neuroprobe, incorporating an aptamer FET,
was employed to develop a flexible and implantable sensor for monitoring DA, one
of the small neurotransmitter molecules (Figure 3.5E).[86] Aptamer configuration
switching occurred via the recognition between aptamer and target DA, resulting in
the augment of source-drain current due to p-doping effect on the graphene channel.
Compared with In2O3-based FET neuroprobes, a graphene-based microtransistor is
a three-terminal electronic device because graphene can act as a channel material
between the source and drain terminals. As graphene offers much higher charge
mobility compared with In2O3, graphene-based FET neuroprobes are capable of
good sensing performance. Graphene also has good biocompatibility and chemical
inertness ideal for in vivo applications. An implantable sensing platform was estab-
lished for real-time serotonin monitoring using a aptamer-graphene microtransistor
probe that can capture DA release in vivo selectively and sensitively.[81, 91]

Overall, nucleic acid-based implantable sensors for neurochemical detection mark
a significant advancement in neuroscience, offering a path to real-time monitoring
of critical neurotransmitters like dopamine and serotonin. Despite their high selec-
tivity and sensitivity enabled by aptamer technology, these sensors face operational
challenges such as the mismatch in mechanical properties between traditional rigid
sensor materials and soft brain tissue, which can trigger immune responses and scar
tissue formation, impairing sensor functionality over time. Recent developments
in flexible and soft electronics are addressing these challenges, with innovations
such as carbon fiber microelectrodes and polymer-based fibers that are more com-
patible with brain tissue. However, ensuring stable nucleic acid immobilization on
these flexible substrates remains a hurdle. Addressing these operational challenges
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will help drive the clinical translation of nucleic acid-based implantable sensors
interfacing with the brain and other organs throughout the body.

3.3.2 Implantable Sensing of Circulating Biomarkers

Circulating biomarkers in the blood and ISF are of paramount importance for person-
alized healthcare. These biomarkers including drugs, metabolites, hormones, and
proteins offer a window into the body’s physiological and pathological states.[92,
93, 94, 95] Their detection and quantification can provide critical insights into an
individual’s health status, enabling early diagnosis of diseases, monitoring of dis-
ease progression, and evaluation of treatment responses (Figure 3.6A). Circulating
biomarkers in the blood can indicate a wide range of conditions, from cardiovascular
diseases and cancer to inflammatory and neurodegenerative disorders. In addition
to circulating biomarkers that filter from blood into ISF, localized ISF biomarkers
can reveal surrounding tissue health and metabolic processes. The ability to accu-
rately monitor these biomarkers presents vast possibilities for preventive medicine,
tailored treatment plans, and real-time tracking of health outcomes, making it a
cornerstone of personalized medicine.[14, 96, 97]

Real-time therapeutic drug monitoring is pivotal for personalized dosing, tailoring
treatment to the unique metabolic profiles of individual patients. Regrettably, there
is only a limited number of targets that can be continuously measured in real-time,
i.e., oxygen, lactose, glucose. Addressing this limitation, the microfluidic electro-
chemical detector for in vivo continuous monitoring (MEDIC) was introduced.[98]
This device’s modularity allows for the reagentless monitoring of a diverse array
of molecules by simply swapping out aptamers, thus broadening the applications
for continuous drug monitoring. Intravenous EAB sensors were evaluated for the
continuous, real-time monitoring of multiple circulating drugs, including amino-
glycoside antibiotics and the chemotherapeutic doxorubicin, in a rat model (Figure
3.6B).[99] The EAB sensor scheme was further employed for vancomycin, a drug
with a narrow therapeutic window challenged by individual metabolic variations,
where they successfully demonstrated feedback-controlled drug delivery.[100] In
parallel, to focus on the tumor microenvironment, a microelectrode sensor array
was utilized to directly measure drug levels within tumor sites in rodents.[101] Ad-
ditionally, to address the fouling related signal drift, biocompatible agarose gel was
utilized as a protective layer to fabricate the gel-protective implantable EAB sensor
for in vivo real-time drug analysis.[102] This innovative approach offers critical in-
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sights into drug distribution challenges within tumors, such as irregular blood flow
and cellular density, potentially influencing the efficacy of cancer treatments.

Figure 3.6: Nucleic acid-based implantable sensing of circulating biomarkers
(A) Principle of implantable sensing of circulating biomarkers. (B) Electrochemical
aptamer-based sensors for real-time measurement of therapeutic drugs in the bloodstream.
[99] (C) Square wave gate potential profiles support high-gain aptamer-based organic elec-
trochemical transistor sensing. [51] (D) Reagentless biomolecular analysis using a molecular
pendulum. [34, 36]

As discussed previously, nucleic acid-based transistor designs provide simultane-
ous signal transduction and amplification, a notable advancement over conventional
electrode-based sensors. An aptamer-based OECT applied a square wave potential
across its aptamer-decorated gate electrode to achieve a level of current modulation
in the transistor channel surpassing that of traditional transistor interrogation (Fig-
ure 3.6C).[51] The OECT design demonstrated signal amplification in whole blood
and, upon miniaturization, enabled potential future application in implantable sen-
sors. The authors postulate that signal amplification by OECT may also extend the
operation life of the sensor since signal degradation of nucleic acid-based sensors
remains a challenge for the field. Beyond circulatory measurements, miniaturized
OECT arrays may be the future of biochemical sensing for high-resolution spatial
measurements at the brain and muscle tissue interface.

Building on these technological strides, the quest for creating sensors capable of
identifying molecular analytes in biological fluids without external reagents have
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opened new frontiers in personalized health monitoring. However, the diversity of
molecular targets detectable by such reagentless sensors has been limited until now.
Addressing this, a reagentless sensing technique was introduced that leverages the
movement of a molecular structure, reminiscent of an inverted pendulum, whose
motion is influenced by an electric field in response to the binding of an analyte
(Figure 3.6D).[34, 36] This technique assesses the sensor’s movement by analyzing
the electron transfer rates to an indicator molecule, utilizing time-sensitive elec-
trochemical analysis to monitor the sensor’s unique motion. This allows for the
continuous, real-time detection of a wide range of analytes, demonstrating compat-
ibility with various biological fluids such as blood, saliva, urine, tears, and sweat,
thereby enabling data collection directly within living organisms. Blood has been
a primary biofluid for sampling in the lab and at-home and is the standard biofluid
for biosensor in vitro validation and testing. Synthetic nucleic acid-based biore-
ceptors can be tuned to be highly selective for their target, and membrane coatings
and surface chemistry can also be used to prevent nonspecific binding and adsorp-
tion. Measurements in filtered biofluids such as ISF and sweat avoid some of these
challenges, but typically at the cost of lower target concentrations.

As nucleic acid-based sensors are implanted intravenously for continuous operation,
the challenges of operation under continuous and variable blood flow are presented.
Implantable sensors for circulating biomarker quantification must contend with the
dynamic nature of blood and ISF, which can be influenced by hydration levels, blood
pressure, and other systemic factors. Additionally, the integration of these sensors
into the cardiovascular or lymphatic systems introduces risks associated with blood
clotting and embolism. Therefore, the materials and the sensor’s surface proper-
ties must be meticulously designed, like robust anchoring mechanisms that do not
compromise the integrity or functionality of surrounding tissues to avoid triggering
any adverse vascular responses. Moreover, to protect sensors from fouling, various
methods are utilized to effectively prevent signal degradation in biological envi-
ronments. These advancements enable promising prospects for long-term in vivo
monitoring applications.

Overall, the development of implantable sensors requires addressing a complex array
of challenges. These include ensuring accurate biomarker detection across a wide
range of concentrations, maintaining sensor stability and calibration in a dynamic
systemic environment, mitigating risks associated with sensor site implantation, and
designing robust sensors without inducing an adverse foreign body reaction. Despite
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recent advancements in nucleic acid-based sensors, the quest for implantable probes
that can provide continuous, real-time data on a wide array of circulating biomarkers
with minimal operational challenges remains ongoing, underscoring the need for
continued research and development in this critical area of personalized medicine.

3.4 Design Considerations Toward Continuous in situ Biomarker Analysis

The primary objective driving the development of wearable and implantable sensors
is to enable the continuous monitoring of biomarkers within body fluids. Successful
and robust measurement of molecular biomarkers is challenging for several reasons,
including the intricacies of multi-step bioaffinity assays, sensor regeneration, sensor
stability, gradual biofouling of sensor surfaces, efficient transport of samples over
the sensor, and calibration issues specific to on-body sensing. In this section, we will

Figure 3.7: Design considerations toward continuous, in situ, and real-time molec-
ular analysis
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introduce the challenges associated with various systems and biofluids and discuss
potential solutions and guidelines for the design of next-generation nucleic acid-
based wearable and implantable biosensors (Figure 3.7). We will provide insights
into future research directions and the promising prospects within this dynamic
research field toward seamless, continuous monitoring of biomarkers in situ.

3.4.1 Reagentless Real-Time Sensing of Ultralow-Level Biomarkers

Given that strategies designed for externally added reporter molecules may not be
compatible with on-body based biomolecular sensing, we focus on reagentless sens-
ing approaches aimed at sequential real-time monitoring of ultralow-level biomark-
ers. Ideal reagentless sensing seamlessly integrates the biorecognition event with
signal transduction. Redox reporter-labeled aptamers undergo a binding-induced
conformational change that alters the detected electron transfer rate. Redox reporter-
labeled molecular pendulums exhibit changes in the detected electron transfer rate
due to the drag force elicited by target binding. Selective molecular binding at the
surface of the transistor gate redistributes surface charges amplified to a measurable
source-drain current. These modular design schemes provide a basis for reagentless
nucleic acid-based sensing.

Conventional nucleic acid-based sensor designs involving a redox reporter have
relied on dual-frequency SWV measurements, which have been found to limit
the time resolution of the sensor to approximately 6 to 22 s.[103] To accelerate
electrochemical interrogation and further approach real-time sensing, fast Fourier
transform electrochemical impedance spectroscopy (FFT-EIS) was used.[103] FFT-
EIS simultaneously captures the impedance at multiple frequencies in under 2 s to
evaluate the electron transfer rate without the need for individual sensor calibration
and drift correction. This finding emphasizes the need for ongoing exploration of
analytical electrochemistry techniques in the biosensor space.

Transient circulating metabolites and trace biomarkers require ultrasensitive detec-
tion by implantable sensors. Additionally, noninvasive wearable sensing in periph-
eral biofluids often requires biomarker detection at low concentrations relative to
blood.[11, 12] Nucleic acid-based sensors have demonstrated excellent sensitivity
in a variety of biofluids. Beyond the nucleic acid binding scheme, high efficiency
electron transfer is key to the performance of the sensor. Nanostructured materi-
als with high electroactive surface areas and charge carrier mobility improve the
electrochemical sensor’s SNR.[104] The presence of nanopores reduces the impact
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of charge screening, thus reducing Debye length limitations and enhancing signal
gain.[105] Nanostructured gold electrodes for high-performance nucleic acid-based
sensors have been fabricated using a variety of methods, including inkjet printing of
AuNPs, deposition of Au nanowire-polymer nanocomposites, electrodeposition of
3D Au nanostructures, electrochemical roughening, and selective etching of cosput-
tered Au alloys to form nanoporous Au.[36, 44, 105, 106, 107] Graphene among
other semiconductor nanomaterials has also been exploited for its exceptional con-
ductivity, flexibility, and biocompatibility, with many implementations in nucleic
acid-based transistors.[27, 30, 48, 86, 108, 109] MXene composites may further
enhance electrode performance through the incorporation of transition metals and
electrode modification with reactive functional groups.[44]

Signal amplification methods may also be used to detect ultralow-level biomark-
ers in real-time. Transistor-based sensors allow for ultrasensitive detection due to
the signal amplification of the biorecognition event.[14] Enzymatic signal ampli-
fication has also recently been explored through the use of DNA aptamer-enzyme
complexes.[110] Ultimately, sensitivity is limited to the affinity of the biorecogni-
tion element. This presents a key challenge in reagentless real-time biosensing of
balancing high-affinity ligand binding with bioreceptor autoregeneration.

3.4.2 Bioreceptor Design Toward Continuous Monitoring

Nucleic acid receptor sequences are often selected using SELEX, which favors the
selection of high-affinity receptors for optimal sensitivity and selectivity. However,
for continuous sensing, reversible binding is necessary to capture fluctuating target
concentrations. An apparent trade-off exists between receptor sensitivity and regen-
eration. Here, we deliberate on nucleic acid receptor sequence design according to
dissociation kinetics.

Biochemical strategies to tune the nucleic acid dynamic range include sequence
mutations, structural changes, and allosteric inhibition.[111, 112] Taking a high-
affinity aptamer, the aptamer’s bound state can be destabilized by making nucleotide
substitutions, shortening the length of the terminal stem, and using a circular per-
mutation of the sequence.[111] Intramolecular strand-displacement switch design
was presented as a strategy to decouple aptamer thermodynamics and kinetics in an
effort to tune the temporal resolution of the aptamer without reducing the effective
binding affinity.[112] In this method, the native aptamer sequence is extended to a
stem-loop structure with a poly-T linker and complementary displacement strand
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with fluorophore-quencher interactions informing target binding during stem-loop
unfolding. Loop length, displacement strand length, and base-mismatch mutations
were then used to tune the aptamer binding kinetics. Engineering aptamer disso-
ciation kinetics via mutagenesis is difficult since the three-dimensional structure of
aptamers is often unknown. Additionally, mutagenesis may result in changes in the
specificity of the bioreceptor. To obviate changing the aptamer sequence, allosteric
inhibition was explored to alter binding dynamics.[111] Oligonucleotide inhibitor
strands bind to portions of the aptamer to stabilize the nonbinding configuration.
This competitive binding between the oligonucleotide inhibitor and the target is
easily optimized by tuning the concentration and complementary sequence length.

Machine learning has enabled in silico aptamer discovery. A machine learning-
guided particle display methodology was developed to generate libraries of high-
affinity aptamers against a chosen target and furthermore truncate aptamer sequences
while maintaining the affinity.[113] This methodology led to more and higher qual-
ity aptamer candidates. Another approach to aptamer discovery emphasized overall
secondary structure by using a sequential multidimensional analysis algorithm for
aptamer discovery from high-throughput SELEX pool sequencing data.[114] The
algorithm evaluated motif and substructure patterns, aptamer family abundance,
and secondary structure stability. Integrating algorithmic tuning of aptamer fea-
tures into parallelized SELEX workflow can rapidly accelerate aptamer generation
and selection to a matter of days.[115] Future multi-parameter machine learning
models may allow for the simultaneous optimization of aptamer characteristics such
as affinity, specificity, dissociation kinetics, structure, and stability, beyond current
experimental capabilities. Advances in machine learning have also enhanced our
working understanding of nucleic acid receptors via simulations for molecular dock-
ing and binding dynamics.[116, 117, 118] One challenge in engineering aptamer
designs is in identifying the ligand-bound nucleic acid conformation, since the most
thermodynamically stable conformation is not always in agreement with the highest
affinity interaction.[oliveira_modeling_2022]

Molecular docking simulations have allowed for the identification of metastable
structures leading to more accurate aptamer-target binding interaction predictions.[117]
By understanding target binding interactions, we may rationally fine-tune nucleic
acid receptor designs. The goal dynamic range for in situ sensing applications as
well as the temporal resolution must be considered when engineering nucleic acid
receptors for continuous biosensing. Further, oligonucleotide length, mismatched
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bases, and structure should also be examined to optimize the signal transduction
of nucleic acid-based sensing schemes. While in silico modeling has enhanced
aptamer discovery and conformation predictions, future work is needed to experi-
mentally characterize aptamer structures and better understand nucleic acid-target
interactions. Development of nucleic acid characterization techniques will help to
validate predictive machine learning models.

3.4.3 Sensor Stability

Sensor stability is a key characteristic for accurate continuous sensor measurements.
Stability of wearable and implantable biosensors may be impacted by several factors
including chemical stability of redox reporters, self-assembled monolayer (SAM)
degradation, voltage-induced desorption of receptor elements, and biofouling.[119,
120, 121] Signal drift can be mitigated through thoughtful sensor design choices as
well as algorithmic corrections. Developing stable nucleic acid-based sensors will
be necessary for the translation of these sensors to implantable devices for long-term
use.

A major design consideration for many electrochemical nucleic acid-based sensors
is the choice of redox probe for enhanced electron transfer rate, signal quality,
and stability. One of the most common redox reporters in the literature is MB,
and for good reason, since MB demonstrates exceptional stability over time, under
repeated voltametric interrogation, and under repeated nucleic acid sensor target
regeneration.[121] MB also has a redox peak around -0.26V, which is well below
the redox potential for common conductive substrates, ensuring high SNR. How-
ever, the negative potential window of MB is a disadvantage for negatively charged
nucleic acid-based sensors, due to voltage-induced repulsion and desorption. Sta-
bility experiments demonstrate that the more negative bias potential exposure the
nucleic acid-based sensor experiences (e.g., low SWV frequency, high measurement
frequency), the more the signal decays.[119] This suggests that redox reporters with
a positive redox potential, such as a Fc derivative, merit further investigation for
long term sensor stability.

Electrochemical nucleic acid-based sensors are often functionalized relying on
solution-based processing to generate SAMs on the surface of electrode substrates,
which ensures the uniformity of the DNA layer. The volume of the solution used
for forming SAMs does not significantly impact the process. By utilizing uniform
lengths of DNA, the thickness of the nucleic acid layer can be precisely controlled,
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allowing for a consistent detection layer thickness and the formation of fine-sized
sensor patterns.[122, 123] In contrast, drop casting techniques, widely used in
electrochemical sensing, often suffer from issues such as the coffee ring effect,
which can alter the distribution of enzymes drop-cast onto an electrode. Unlike
the manual drop casting of enzyme films, the solution modification process for
creating SAMs yields higher reproducibility, thereby reducing variability in sensor
performance. This enhanced reproducibility is crucial for the reliable detection of
chemical biomarkers, making SAMs a superior alternative for precise and consistent
sensor fabrication.[124]

Passivation by alkylthiolate chains supports the alignment of the nucleic acid mono-
layer and prevents nonspecific redox reactions at the gold surface. These monolayers
must withstand repetitive voltage perturbations as well as prolonged biofluid inter-
actions. Ongoing work to improve upon the standard of mercaptohexanol has
prioritized gold binding interactions and enhanced lateral van der Waals interac-
tions between monolayer molecules.[125] Increasing the alkylthiolate length by
two methylene groups demonstrated improved week-long stability at 37 °C.[125]
Longer monolayer alkylthiolate chains may improve stability but at the cost of re-
duced electron transfer kinetics.[41] Crosslinking monolayers also increases the
strength of the interactions between monolayer molecules to limit desorption sus-
ceptibility.[126] SAM stability may additionally be enhanced using multidentate
anchoring groups to increase attachment points to the electrode surface.[126] The
oxidation of thiol-based monolayers to disulfide dimers contributes to monolayer
instability. Performing electrochemical scans in a negative potential range, while
bad for the nucleic acid receptor, may actually suppress oxidation of alkylthiolate
monolayers.[125] N-Heterocyclic carbenes have recently been explored as an al-
ternative to thiol-based monolayers with strong affinity to gold, robust monolayer
stability, and efficient bioconjugation chemistry. However, N-heterocyclic carbene
monolayers were found to desorb at voltages less than -0.1V and above 0.25V, thus
limiting the potential scanning range for redox reporters.[127] Continued work is
needed to explore new alternative passivation layers that promote long-term sensor
stability in biofluids.

Beyond sensor design, signal drift can also be corrected for algorithmically, current
methods including dual frequency measurements and ratiometric self-calibration.
Aptamer-based sensors exhibit SWV frequency-dependent behavior. If the aptamer
exhibits a concentration-independent signal response at a nonresponsive frequency,
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ratiometric corrections may be used to self-calibrate sensors, reducing interelectrode
variability and correcting for drift.[43, 128] For aptamers that exhibit a signal-on
and a signal-off domain, the kinetic differential measurement (KDM) may be used
to enhance the SNR and correct for signal drift assuming these two measurements
exhibit matching background responses.[42, 98] The KDM signal is obtained by
taking the difference between the signal-on and signal-off SWV peak current mea-
surements divided by their average. These algorithmic corrections require careful
optimization of the SWV frequency, which varies between aptamers with structure
and electron transfer kinetics.

Alternatively, internal controls may be incorporated into the sensor design for ra-
tiometric self-calibration. Interrogating the response of a target-sensitive nucleic
acid sequence and a non-binding oligonucleotide strand in either a dual-electrode or
single-electrode system may inform the nucleic acid sensor’s degradation over time.
A ratiometric electrochemical aptasensor was designed to self-calibrate based on the
combined signal from a Fc-labeled aptamer and a Fc-labeled DNA hybridized to the
same template strand.[129] This technique demonstrated a more stable response un-
der varying temperature and pH conditions than conventional EABs. Dual-aptamer
measurements have been studied to improve stability by screening for and selecting
aptamers with similar drifts.[130] Differential signal responses for self-calibration
can also be achieved with adjustment of the redox reporter position or use of a
secondary intercalated redox reporter.[130, 131]

While these “self-calibration” techniques offer methods to correct for signal drift,
they are a temporary fix to the stability problem of nucleic acid sensors. Current
drift correction techniques lack generalizability across nucleic acid sensors with
significant optimization required between sensors of different targets. Additionally,
these techniques often require two SWV scans for a single measurement, thus
reducing the time resolution and potentially accelerating sensor degradation. Future
work is needed to further enhance the stability of nucleic acid-based sensors through
rational design of redox reporters and stable electrode functionalization. We next
discuss how stability is one of many issues exacerbated by operation in biofluids. The
importance of in vivo long-term stability requires that implanted sensors overcome
biocompatibility challenges.
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3.4.4 Operation in Complex Biofluids

Sensor operation in complex biofluids introduces challenges of high protein and
cellular content, and variable media conditions (pH, ionic strength, temperature,
interferents, etc.). Surface fouling is a major concern for any bioelectronic interface.
When biomolecules in the sampled biofluid adsorb on the electrode surface, electron
mobility is disrupted, impacting the signal transduction of the sensor. Fouling-
induced desorption of sensor elements has been found to be a primary source of
signal degradation of nucleic acid-based sensors in biological fluids.[120, 125,
132] Antifouling design considerations to enhance sensor stability in biofluids are
described, including the use of porous membranes, hydrogel encapsulation, polymer
coatings, SAMs, and nanoporous conductive substrates. Considering that body
fluid compositions may vary intra- and inter-individually, we introduce methods to
improve the sensor’s performance across variable conditions, such as temperature,
pH, and ionic strength.

During initial exposure of the sensor to biofluids, foulants occupy defects in the
monolayer of the nucleic acid-based sensor often leading to a drop in signal. These
foulants may then further accelerate desorption around the defect due to intermolec-
ular interactions with the monolayer molecules, emphasizing the importance of a
stable SAM.[125] Thiolated molecules present in biofluids, such as cysteine and
glutathione, compete with gold-thiol bound nucleic acid bioreceptors resulting in
monolayer displacement.[119] While nonspecific adsorption of proteins on the sen-
sor surface has demonstrated long-term stability by reducing monolayer desorption,
unpredictable protein unfolding interactions may interfere with nucleic acid biore-
ceptors and constrain movement in conformation-switching sensors.[119, 133]

In order to mitigate fouling, physical and chemical barriers may be used to protect
the sensor. Applying a hydrogel membrane limits diffusion to small molecules
as determined by the porosity of the hydrogel design. Polybetaine-, agarose-
, and polyacrylamide-based hydrogels have been used to encapsulate aptamer
sensors to prevent sensor signal degradation when deployed in biological tissue,
serum, and cells.[102, 125, 134] Macroporous hydrogels embedded with aptamer-
functionalized AuNPs have also been used to prevent foreign body rejection of
implantable sensors.[135] Porous conductive substrates, such as nanoporous gold
and gold nanocomposites, dually benefit from efficient electron transfer as well as
antifouling properties.[105, 107, 136] Semipermeable polymer coatings like Nafion
also provide antifouling properties and may prevent small molecule interferents from
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contacting the sensor.[137, 138, 139] Zwitterionic monolayers have demonstrated
reduced protein adsorption. For example, phosphatidylcholine-terminated SAMs
promote an antifouling surface chemistry by mimicking the cell membrane.[140,
141] With these antifouling methods, week-long in vivo nucleic acid-based sensing
is a feasible goal that may soon be realized.[125]

As the sensor stability improves past several weeks, implant device form factor must
also be considered to prevent foreign body reaction and encapsulation. Limiting
protein aggregation through antifouling techniques evades the attraction of immune
cells to the device. Minimizing implant size and matching the Young’s modulus
of the surrounding soft tissue with viscoelastic, soft electronics may help address
this problem. Chemical non-toxicity of the sensor’s components is important to
prevent localized necrosis and subsequent immune responses. Mechanical strength
of the sensor and resistance to in vivo shearing and degradation is key to prevent
long-term toxicity through particulate accumulation in distal organs such as the liver
and kidneys. Careful consideration must be taken for the types of nanomaterials
used in the sensor design.[142]

Although blood is one of the most complex biofluids from a fouling standpoint due
to its biomolecular diversity, circulating blood conditions are homeostatic resulting
in consistent narrow ranges of variability over time and between individuals. ISF
and CSF are filtered blood derivatives for wearables, subcutaneous implants, and
neural implants that also maintain essential homeostatic conditions. However, when
considering alternative biofluids, such as sweat, saliva, intestinal fluid, and urine,
media conditions must be monitored as they may vary significantly between samples.
In the case of sweat, pH may vary widely from 5 to 9 due to sweat induction methods,
sweat rate, and individual physiochemical response.[12] Sweat ion concentration
also varies with sweat rate. Sweat as a highly filtered, yet variable biofluid presents
opposing design challenges to blood.

To account for variable media conditions, the nucleic acid-based sensor must be
robust and operable under wide-ranging biochemistries. pH may significantly im-
pact electron transfer kinetics, so pH-insensitive redox reporters have been studied
to handle variable media conditions.[143] Electrochemical nucleic acid-based sen-
sors have improved signal transduction at decreasing ion concentrations, as is the
case with sweat, due to reduced charge screening effects.[105] As mentioned pre-
viously, dual-nucleic acid measurements can help to reduce the sensor variation to
environmental factors, such as pH, ion concentration, and temperature.[129, 130]
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However, in most cases, variable sensor responses will need to be calibrated using a
multiplexed sensing platform that monitor these media conditions simultaneously.

3.4.5 Biofluidic Sensor Interface

The performance of wearable and implantable sensors is heavily influenced by
how they interface with dynamic and diverse compositions of biofluid matrices.
The sensing platform efficiently samples and conducts the biofluid to the surface
of the nucleic acid-based sensor via layered microfluidics. The in situ sensing
platform may contain several sensors for calibration and multibiomarker analysis
also interfacing with the sampled biofluid. Minimally invasive, flexible form factors
are key elements for consideration when designing the sensing platform for wearable
and implantable applications.

As mentioned previously, nucleic acid-based sensors may require multiplexed plat-
form calibration to account for variable conditions such as temperature, pH, and
ionic strength, especially when working with blood-alternative biofluids. Electrode
impedance can be used to measure ionic strength. A polyaniline-based potentiomet-
ric pH sensor was used for sweat calibration in a wearable ring platform.[44] When
fabricating aptamer-FET sensors, it may be convenient for associated platform sen-
sors to also be transistor-based, so a FET pH sensor was developed for a flexible
FET biosensor array for real-time cortisol sweat sensing.[46]

While implanted sensors are under constant exposure to biofluids, wearable sensors
must noninvasively capture the biofluid. Janus membranes have been studied for
ultralow volume biofluid sampling. The asymmetric wettability of porous Janus
membranes enables unidirectional liquid transport and self-pumping for high ef-
ficiency biofluid collection.[144] Janus membranes are an attractive strategy for
passive natural sweat collection without external stimuli (exercise, temperature) at
low sweat rates.[145] They also aid in filtering out large insoluble impurities often
present on the skin’s surface. Sweat may also be stimulated using cholinergic agents
delivered via iontophoresis.[44] Microfluidic inlets conformed to the skin may then
effectively capture sweat from the local stimulated area. Microfluidic designs may
provide important control over the biofluid sensor interface. The microfluidics for a
singular sensing region in a label-free continuous sensing platform may be simple
when it comes to fluid transport, but it is important that the refreshing dynamics
of the sensing region are evaluated and microfluidic inlet and outlet design opti-
mized.[146] In other platforms, CBVs may be necessary for microfluidic gating to
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control the reservoir filling order.[147] This can be used to provide chronologic
sampling of a biofluid without mixing of old and new samples. This technique can
be used to capture multiple measurements with a sensor array on a single platform
thus leveraging a single-use sensor for continuous monitoring. CBVs may also be
used to control fluid flow for incubation in the sensing region. A wearable plat-
form for female hormone analysis used microfluidic CBVs to precisely control sweat
sampling during a strand displacement assay.[44]

Soft, flexible electronics are key to interfacing sensors with tissues. Wearable sen-
sors must conform to the complex wrinkles of the skin, curvatures of the body, and
withstand repeated strain and bending deformation associated with body movement.
Adopting mechanical properties that mimic the elasticity of skin allows the sensor
to remain in position for localized sample collection and maintain performance for
continuous sensing. Flexible thin-film polymer substrates, stretchable conductive
polymer composites, liquid metal-based conductors, flexible graphene electrodes,
strain-releasing lead patterns, and bioadhesives are some strategies used toward a
tissue conforming sensing interface.[145, 148, 149, 150, 151, 152, 153] Implantable
sensors must interface well with the surrounding tissue and demonstrate strong bio-
compatibility to prevent encapsulation that would limit the long-term performance
of the sensor.[81] Beyond flexibility, soft electronics with macroporous scaffolds are
key for vascularization and tissue integration. For example, embedding AuNPs into
a hydrogel improved the tissue response to two months of implantation with minimal
fibrous encapsulation.[135] Minimizing the size of the sensor may also reduce the
risk of a foreign body reaction. Thin, flexible conductive fibers are a promising
direction for implantable sensing due to the matching mechanical properties for in
vivo use.[81] For example, a graphene-elastomer composite neurotransmitter sensor
called NeuroString was fabricated as long strings for brain implantation versus as a
thin film for use in the larger gut cavity.[150] The current response decreases with
size for sensors that rely on 1:1 redox probe labeled nucleic acid signaling strands.
The amplification provided by nucleic acid-based transistors thus bolsters the use of
transistor design schemes for miniaturized implantable sensors.[85, 86]

Using multiplexed sensor arrays, spatial information may also be collected at the
tissue interface. EAB sensors were placed at multiple sites along a probe implanted
into tumor tissue for radial measurements of chemotherapeutic drug delivery and
uptake within the tumor.[101] Wearable microneedle array patches allow for high
density spatial sensing across the skin surface but may not reveal varied spatial re-
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sults beyond local epidermal health (melanoma, wound healing). Tissue-conforming
meshes allow for 2D measurement, which may elucidate important signaling and
activity information when interfaced with the brain and heart.[151, 153] Nucleic
acid-based microtransistor arrays will be the optimal strategy to achieve high-density
spatial resolution since transistors maintain an amplified signal upon miniaturiza-
tion. Spatiotemporal data may also be collected using smart pill designs in which
the ingestible capsule collects data as it naturally moves through the digestive sys-
tem.[154, 155]

From biofluid sampling to sensor calibration, rational design decisions must be made
to support the translation of nucleic acid-based sensors to wearable and implantable
devices. While nucleic acid receptors have the potential to be selective for diverse
small molecule targets, these receptors must be engineered with regeneration in
mind. Continuous monitoring requires kinetically favorable receptors and sensing
mechanisms capable of detecting fluctuating analyte concentrations without user
intervention. Yet, the primary challenge to overcome in continuous nucleic acid-
based sensor design will be long-term stability. Compatible design choices of redox
reporter, passivation layer, antifouling membrane, and electrochemical interrogation
methods will extend the stability and robustness of nucleic acid-based sensors for
effective continuous use in complex biofluids. Given the challenges in realizing
continuous long-term sensing, disposable sensor patches with sensor arrays may be
a more attractive and realistic translation of nucleic acid-based sensors for wearable
platforms. However, for sensor implants to be worthwhile, these design challenges
will need to be overcome for implantation without the need for frequent surgical
replacement.

3.5 Conclusion

The development of continuous implantable and wearable electrochemical sensors
represents a major advancement in the field of precision medicine and personalized
healthcare. For example, implantable and wearable sensors may provide key infor-
mation for effective drug delivery and dosing based on individual pharmacokinetics.
Implantable and wearable devices may synergistically be used to implement closed-
loop therapeutic systems with in vivo data access and noninvasive modulation. In
addition, continuous monitoring using implantable and wearable sensors may pro-
vide advanced diagnostic data with respect to personalized baselines and trends
that would allow for early intervention. This review has showcased the potential of
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nucleic acid-based sensors to provide continuous, real-time monitoring of a broad
spectrum of biomarkers directly in various biofluids. By leveraging the high speci-
ficity and sensitivity of the affinity of nucleic acids toward target biomarkers, these
sensors offer a promising solution to the limitations of traditional health monitoring
methods, which are often intermittent, invasive, and unable to capture the dynamic
nature of physiological changes.

We have delved into various nucleic acid sensing strategies, with a particular focus
on nucleic acid-based recognition elements and their role in enhancing the perfor-
mance of biosensors. The integration of these sensors into both implantable and
wearable platforms has been discussed, demonstrating their versatility and potential
for widespread application in continuous at-home health monitoring. We critically
evaluated challenges such as ensuring sensor longevity, navigating the intricacies
of biofluids, and achieving reagentless detection, and proposed innovative interdis-
ciplinary solutions to address these issues. Continuous efforts to improve sensor
design, along with advancements in materials science, bioengineering, and compu-
tational modeling, are imperative for overcoming current limitations and enhancing
the functionality and reliability of these devices. The integration of these sensors
with digital health platforms could further enable real-time data analysis, foster-
ing a proactive approach to health management and disease prevention. As we
navigate the complexities of their development and implementation, the promise
of transforming personalized medicine into a tangible reality becomes increasingly
attainable, heralding a new era of health monitoring and intervention.
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C h a p t e r 4

CONTINUOUS SEROTONIN APTAMER SENSOR FOR
GASTROINTESTINAL TRACT MONITORING

Materials from this chapter appear in:
Jihong Min et al. “Continuous biochemical profiling of the gastrointestinal tract
using a multiparametric ingestible capsule”. Nature Electronics submitted July
2024,

The gastrointestinal (GI) tract plays dual, pivotal roles: it serves as a vital conduit
for nutrient absorption and waste expulsion, and acts as a complex interface linking
overall health to our internal physiological processes. [1, 2] This multifaceted
system, woven through various compartments, hosts the gut microbiota, which,
alongside the central and enteric nervous systems, regulates a myriad of processes.
[3, 4] These include the precise breakdown and selective absorption of nutrients, as
well as an unexpected influence over our emotional and cognitive states. [5] Such
influence can materialize directly through hormone production or indirectly by
triggering brain signals through metabolites or stimulating immune cells to release
cytokines. [6, 7] Dysbiosis, a perturbation of the delicate ecosystem within the
GI tract, is intertwined with a diverse array of disorders. These extend beyond GI
issues like irritable bowel syndrome (IBS) and inflammatory bowel disease (IBD)
to central nervous system (CNS) disorders such as autism, anxiety, depression, and
Parkinson’s disease. [8, 9]

The biochemical profile of the GI tract governs its health and the overall-being of
the host (Figure 4.1A). For example, serotonin is crucial for regulating gut motil-
ity and substantially impacts mood, appetite, and cognitive functions, with about
95% of the body’s serotonin synthesized in the GI tract. [10, 11] Short-chain fatty
acids (SCFAs), the end products of dietary fiber fermentation by anaerobic intestinal
microbiota, play a vital role in maintaining gut health, regulating metabolism, and
supporting immune function. [12, 13] The pH level in the GI tract affects digestive
enzyme activity and the composition of gut microbiota, making it important for
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maintaining a healthy digestive system. [14, 15] Ionic strength, which measures
the concentration of ions in GI fluids, is essential for electrolyte balance and cel-
lular function, with abnormalities potentially indicating various health issues. [16]
Glucose levels provide information on nutrient absorption efficiency and metabolic
health, influencing microbial activity in the gut and helping detect conditions like
diabetes and malabsorption issues. [17, 18] Monitoring GI biochemicals is essential
not only for understanding metabolic health and functionality of the GI tract but also
for preventing and managing diseases. [19, 20]

Recent advancements in wireless sensing technology open the door to the develop-
ment of ingestible capsules for GI tract monitoring. [21, 22, 23, 24, 25] Commercial
ingestible technologies, such as capsule endoscopes and pH/pressure sensing cap-
sules, primarily detect optical and physical alterations in the GI tract caused by
underlying disorders. [1, 21] While these devices aid in diagnosing disease symp-
toms, they frequently fail to reveal early signs or ascertain the underlying cause of the
disease. Moreover, although emerging ingestible capsules show promising potential
to monitor vital signs, [26, 27] gas molecules, [28] radiotherapy, [29] as well as
inflammation, [30, 31] significant limitations persist in biomolecular profiling in the
GI tract. [32] An ingestible capsule platform capable of continuously and selectively
monitoring a broad spectrum of chemical signals in GI fluids could provide a more
complete understanding of GI health, facilitating earlier diagnosis and intervention.
Despite the high demand for such a platform, its development has been hindered by
substantial challenges, including selective in situ sensing, high variability in the GI
environment, and the integration of low-power miniaturized systems.

In response to these challenges, and to adeptly navigate the intricacies of GI tract
biochemistry, we introduce PillTrek, a fully integrated smart capsule platform that
encapsulates a multimodal electrochemical sensor array and a low power wireless
electronic system for real-time, continuous, and multiplexed monitoring of the
GI tract (Figure 4.1B). With a compact form under 1 cm3 in volume, PillTrek
is capable of monitoring a wide range of molecular biomarkers in complex gut
fluids. It employs highly selective bioreceptors, including aptamers, enzymes,
and ion-selective membranes, to ensure precise target recognition. PillTrek can
perform a variety of signal transduction measurements, such as potentiometry,
amperometry, voltammetry, and impedimetry, allowing it to interface with diverse
electrochemical sensors and detect various parameters of interest in the gut (Figure
4.1C–E). Compared to previously reported ingestible electronic capsules, PillTrek
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offers the most powerful and versatile electrochemical sensing capabilities within a
highly miniaturized form factor (Supplementary Table B.1).

An array of GI biomarker sensors including aptamer-based voltammetric serotonin
sensors, enzymatic amperometric glucose sensors, ion-selective potentiometric pH
sensors, and impedimetric ionic strength sensors, were developed and validated for
the analysis of GI biofluids, such as intestinal fluids and fecal fluids. To achieve
high-accuracy in situ sensing in the complex GI environment, various real-time
calibration mechanisms were integrated, including an adaptive ratiometric dual-
frequency measurement scheme for aptamer-based sensors, as well as pH, ionic

Figure 4.1: PillTrek, an ingestible electrochemical platform for continuous, multi-
plexed gastrointestinal fluid analysis
(A) Illustration of the PillTrek navigating through the GI tract, flourishing with biochem-
ical markers. 5-HT, serotonin; SCFA, short-chain fatty acid. (B) Schematic of the fully
assembled and exploded views of PillTrek, showing components including batteries, elec-
tronics, biosensors, and protection. PCB, printed circuit board; AFE, analog front-end; RF,
radio frequency. (C) Diagram demonstrating the various recognition elements compatible
with PillTrek, such as ion-selective membranes (ISMs), aptamers, and enzymes. The de-
vice supports diverse electrochemical techniques, including potentiometry, amperometry,
voltammetry, and impedimetry, for detecting a wide range of biochemical markers. (D,E)
Photos showcasing the miniature form factor (<1 cm3) of the PillTrek, displayed on a coin
(D) and held by a model (E). Scale bars, 0.5 cm and 1 cm, respectively. (F) Schematic
illustrating the miniaturized PillTrek monitoring diet-induced biomarker level changes in
the intestines of a rabbit model. Scale bar, 3.5 cm.
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strength, and temperature compensation for the voltammetric and amperometric
sensing.

The fully integrated PillTrek was evaluated in vitro in the intestines of a rat model and
in vivo in a rabbit model for the multiplexed analysis of GI biomarkers in response to
nutrient-enriched diets (Figure 4.1F). PillTrek has the potential to provide a nuanced
biochemical portrait of the GI tract, revealing the intricate and often obscured
chemical activities related to gut health, and thereby facilitating the development of
personalized monitoring and targeted therapies for safeguarding GI health.

4.1 Design of PillTrek for Continuous in Vivo Biochemical Analysis

PillTrek consists of a rectangular main printed circuit board (PCB) (6.5 mm ×
23 mm) for signal processing and wireless communication, and a circular adapter
PCB (6.5 mm in diameter) that is mounted perpendicularly to the main PCB to
directly interface the sensor array (Figure 4.1B, and Supplementary Figs. B.1 and
B.2). The main PCB features a cavity to hold two silver oxide batteries (3.1 V,
16 mAh) that can be remotely disconnected from the circuit via a magnetic reed
switch. This design allows the PCBs, once encapsulated in PDMS through injection
molding, to be stored next to a magnet for extended periods without draining the
battery. During operation, the electronic system can maintain a Bluetooth Low
Energy (BLE) connection and perform complex electrochemical analysis sequences
continuously for over 22 hours.

Meanwhile, the sensor array is mass-produced sequentially through laser patterning
to form vias for contacting the adapter PCB and through inkjet printing to accu-
rately pattern gold, carbon, and silver electrodes (Supplementary Figure B.1). After
sensor modification, the sensor array is patterned and conductively affixed to the
encapsulated electronic system. Additionally, the array is then protected by a 3D-
printed chamber, creating a fully packaged ingestible system with a diameter of 7
mm and a length of 25 mm. This size is comparable to common pills and substan-
tially smaller than most commercial electronic capsule systems (Figure 4.1G,H and
Supplementary Figure B.2).
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4.1.1 Materials and Methods

Materials and Reagents

Silver nitrate, iron chloride (III), and hydrogen tetrachloroaurate (III) hydrate were
purchased from Alfa Aesar. Mercaptohexanol (MCH), sodium thiosulfate pentahy-
drate, sodium thiosulfate pentahydrate, PVB resin BUTVAR B-98, tris(hydroxy-
methyl)aminomethane hydrochloride (Tris-HCl), tris-(2-carboxyethyl)-phosphine
hydrochloride (TCEP), ethylenediaminetetraacetic acid (EDTA), Nafion 117, L-
lactic acid, hydrochloric acid, and toluene were purchased from Sigma Aldrich.
Potassium ferricyanide (III), and potassium ferrocyanide (IV) was purchased from
Acros Organics. Potassium chloride, N, N-dimethylformamide, D-glucose anhy-
drous, and serotonin hydrochloride were purchased from Thermo Fisher Scientific.
Sodium chloride, dimethylformamide (DMF), calcium chloride dihydrate, 10×
phosphate-buffered saline (PBS), magnesium chloride, and acetic acid were pur-
chased from Fisher Scientific. The ELISA kit for serotonin analysis was purchased
from DLD Diagnostika GmbH. Polyethylene terephthalate (PET) films (75 µm thick)
were purchased from McMaster-Carr. The serotonin aptamer 5’-Thiol-C6Linker-
CGACTGG TAGGCAGATAGGGGAAGCTGATTCGATGCGTGGGTCG-MB-3’
was ordered from Integrated DNA Technologies. Carbon ink (5 wt%) and silver ink
(25 wt%) were purchased from NovaCentrix. Gold ink (10 wt%) was purchased
from C-INK Co. Ltd. PDMS (SYLGARD 184) was purchased from Dow Corning.
Serum was purchased from ATCC. Plain Au electrodes (as the control) were fab-
ricated on a PET substrate by photolithography and electron-beam evaporation (30
nm Cr/100 nm Au).

Assembly of the Ingestible Capsule Device

A 2-part aluminum mold for the ingestible capsule device, consisting of a cylindrical
cavity for device encapsulation and lid for device alignment, was fabricated by
milling an aluminum block as designed by Fusion 360. Meanwhile, the main PCB
was milled to form a cavity that fits two silver oxide batteries, and nickel tabs were
soldered on the inner walls of the PCB cavities for holding and forming an electrical
contact with the batteries. A slight extrusion in the main PCB was used as a plug
to align and fit into the slot of the adapter PCB, prior to soldering the connection
pads (Supplementary Figure B.1). After assembling the PCBs and batteries, the
electronic system was fixed on the aluminum mold lid and then submerged into the



113

PDMS filled aluminum cavity mold. A magnet was attached to the mold during
PDMS curing to prevent battery discharge through a PCB mounted magnetic reed
switch. After PDMS encapsulation, the sensor array prepared as described in the
section below was conductively glued onto the adapter PCB using silver paint, prior
to fixing a protective cap fabricated by a resin 3D printer (ELEGOO Mars 3).

Preparation and Characterization of the Multimodal Sensor Array

A 50 W CO2 laser cutter (Universal Laser System) was used to pattern vias on a
PET substrate, creating electrical contacts between the sensor array and adapter PCB
prior to inkjet-printing the electrode arrays. The substrates were then cleaned via
O2 plasma surface treatment (Plasma Etch PE-25, 10-20 cm3 min-1 O2, 100 W, 150-
200 mTorr) to remove debris and enhance surface hydrophilicity. An inkjet printer
(DMP-2850, Fujifilm) was employed to print gold, carbon, and silver electrodes, as
well as SU-8 for electrode insulation. The reference and working electrodes were
further modified via electrochemical deposition (CHI 660E) and drop-casting meth-
ods. Both the electrochemical workstation and an ingestible device were applied in
the sensor characterization procedures.

Serotonin sensor: Aptamers were prepared by dissolving them to a concentration
of 100 µM in 1× Tris-EDTA buffer, and then frozen in individual aliquots at -20
°C. The AuNPs electrode was electrochemically cleaned using cyclic voltammetry
(CV) in 0.5 M NaOH, executing 100 cycles from -1 to -1.6 V at a scan rate of 1 V
s-1, and subsequently rinsed with deionized water. Concurrently, TCEP reduction
was carried out to reduce disulfide bonds by mixing 5 µl of a 10 µM DNA aliquot
and 5 µl of 1 mM TCEP at room temperature in the dark for 1 h, followed by dilution
with 1× PBS (pH 7.4) to 2.5 µM. The aptamer (2.5 µM, 5 µl) was immobilized
onto the cleaned working electrode by incubation for 2 h at room temperature in the
dark, and unbound aptamers were rinsed with 1× PBS. 5 mM MCH in 1× PBS was
treated overnight to passivate the unbound electroactive surface of the Au electrodes,
and finally the aptamer-modified electrodes were thoroughly rinsed with 1× PBS.
For measurements in real biofluids, 0.5 % Nafion was drop-casted and incubated
overnight. The Nafion-modified sensors were rinsed with 1× PBS.

Glucose sensor: A nanostructured Au film was electrodeposited on the carbon
electrodes to increase the electrode surface area, involving multi-potential deposition
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in a solution of 50 mM chloroauric acid and 0.1 M HCl, undergoing 1500 cycles
(-0.9 V for 0.02 s and 0.9 V for 0.02 s). The Prussian blue (PB) layer was deposited
onto the nanostructured Au electrodes in a fresh solution containing 2.5 mM FeCl3,
2.5 mM K3[Fe(CN)6], 100 mM KCl, and 100 mM HCl by 20 CV cycles (-0.2 V
to 0.6 V versus Ag/AgCl) at a scan rate of 50 mV s-1. The NiHCF layer was then
deposited in a fresh solution containing 0.5 mM NiCl2, 0.5 mM K3Fe(CN)6, 100
mM KCl and 100 mM HCl by 25 CV cycles (0 to 0.8 V vs. Ag/AgCl) at a scan rate
of 100 mV s-1. For an enzyme solution, 1% chitosan was dissolved in a 2% acetic
acid by magnetic stirring for 1 h, followed by mixing with 2 mg/ml multi wall carbon
nanotubes (MWCNTs) through ultrasonication. A glucose oxidase (GOx) (10 mg
ml-1 in 1× PBS) was mixed with chitosan/MWCNTs solution with a volume ratio
of 2:1. Next, 1 µl of enzyme cocktail was drop-casted onto the NiHCF/PB/carbon
electrode and dried. Finally, 2 µl polyurethane (PU) solution containing 15 mg ml-1

of PU in THF and N,N’-dimethylformamide (volume ratio 98:2) was drop-casted
and dried overnight at 4 °C.

pH sensor: The carbon electrode was initially cleaned using 0.5 M HCl by 10 CV
cycles (-0.1 V to 0.9 V) at a scan rate of 0.1 V s-1. A polyaniline (PANI) film was
deposited in a 0.1 M aniline dissolved in 1 M HCl by applying 12 CV cycles (-0.2
to 1 V) at a scan rate of 0.1 V s-1. The same deposition procedure was repeated and
dried overnight at 4 °C.

Reference electrode: A silver layer was deposited onto the AuNPs electrode in
a solution containing 250 mM silver nitrate, 750 mM sodium thiosulfate, and 500
mM sodium bisulfite using multi-current deposition (30 s at -1 µA, 30 s at -5 µA,
30 s at -10 µA, 30 s at -50 µA, 30 s at -0.1 mA and 30 s at -0.2 mA), followed by
drop-casting a 1 µl of 0.1 M FeCl3 for 1 min. Then, 1 µl of PVB/NaCl solution
containing 78.1 mg of PVB and 50 mg of NaCl in 1 ml of methanol was drop-casted
onto the Ag/AgCl electrode and air dried overnight at 4 °C.

Preparation of Simulated Intestinal Fluid (SIF)

The SIF contains 5.76 mM KCl, 1.44 mM KH2PO4, 115.4 mM NaCl, 8 mM
Na2HPO4, and 0.33 mM MgCl2(H2O)6 in deionized water. The pH was adjusted to
7.0 by adding HCl. [33]
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Electronic System Design and Characterization

An electronic system is integrated into a highly compact 4-layer PCB, having di-
mensions of a mere 23 mm × 6.5 mm, crafted using Eagle CAD. The system’s
energy is harnessed from two series-connected silver oxide batteries (SR521SW;
Energizer), delivering a combined voltage of 3.1 V with a capacity of 16 mAh.
Power management within the system is diligently administered through a magnetic
reed switch (MK24-B-3-OE; Standex-Meder Electronics) and a voltage regulator
(ADP162; Analog Devices), ensuring consistent and stable power output. Wire-
less communication and control processes are managed by an adept RF module
(STM32WB1MMC; STMicroelectronics), responsible for wireless data transmis-
sion, signal processing, and overseeing the electrochemical instrumentation system,
which operates principally through the AD5940 (Analog Devices) and is comple-
mented by a voltage buffer (LPV521; Texas Instruments). The electronic system is
proficient in continuous measurement operations, maintaining a power consumption
below 340 µW, thereby theoretically allowing for sustained operation for over 22
hours.

The power consumption of the electronic system was measured using a power pro-
filer (PPK2; Nordic Semiconductor), and the dynamic power supply potentials dur-
ing ingestible device operation were recorded using a multiplexed electrochemical
workstation (PalmSens 4; PalmSens). For in vitro characterization of the ingestible
device’s operation during constant motion and collisions, a clear fishing line was
connected to the capsule, and the motion of the capsule was controlled by rotating a
3D-printed reel (ELEGOO Mars 3; ELEGOO) using a stepper motor controlled by
an Arduino UNO.

4.1.2 Characterization of Sensor Array for Multiplexed Monitoring of GI
Biomarkers

A custom-developed miniaturized sensor array was designed for real-time, multi-
modal monitoring of four distinct biomarkers in GI fluids. Integrated with a versatile
electronic system, this sensor array can multiplex amperometric, impedimetric, po-
tentiometric, and voltammetric techniques to interface a wide spectrum of sensors
that incorporate recognition elements such as enzymes, ion-selective membranes,
and aptamers. For this study, we selected an array of gut biomarkers, including the
hormone serotonin, the metabolite glucose, pH, and ionic strength (Figure 4.2A).
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The sensor array is constructed on a PET substrate with mass-producible inkjet-
printed electrodes, ensuring both adaptability and precision in detection processes
(Figure 4.2B). The modified electrode array, mounted on the ingestible electronic
system, can accurately detect a wide range of key biomarkers in GI fluids, including
serotonin, glucose, pH, and ionic strength (Figure 4.2C–E).

Each sensor within the array has been meticulously optimized for robust detection
in GI fluids. For the selective detection of intestinal glucose levels, glucose ox-
idase (GOx) was immobilized in a highly permeable and biocompatible chitosan
matrix atop a Prussian blue (PB) redox mediator layer to facilitate electron transfer
from GOx to the electrode. To accommodate the wide range of physiologically
relevant glucose levels in the GI tract, a polyurethane (PU) diffusion-limiting layer
was coated on the glucose sensor to extend its linear range (Supplementary Figure
B.3). The glucose sensor exhibits a consistent linear response to glucose concen-
trations ranging from 0 mM to 50 mM (Figure 4.2F). The pH sensor features an
electrodeposited polyaniline (PANI) layer as an ion-selective membrane and shows
a consistent linear response from pH 4 to 8 (Figure 4.2G). To quantify the ionic
strength of target solutions, impedance is measured between two carbon electrodes.
The ionic strength sensor accurately measures salt concentrations from 0.1× to 2×
simulated intestinal fluid (SIF), with 1× SIF approximating 140 mM (Figure 4.2H).

In situ detection of serotonin in the gut fluid is highly challenging due to its low
concentration, the complex fluid matrix, and the presence of major interfering elec-
troactive molecules. Traditional oxidation-charge detection approaches, based on
fast-scan cyclic voltammetry or differential pulse voltammetry, offer high temporal
resolution and sensitivity but fail to selectively monitor basal serotonin levels in gut
fluids.[34, 35] To achieve both sensitivity and selectivity for serotonin detection, an
inkjet-printed AuNP electrode with a large electroactive surface area was integrated
with a serotonin aptamer tagged with the redox molecule methylene blue (MB) (Sup-
plementary Figure B.4). When the aptamer binds to the serotonin molecule, target
binding-induced conformational changes alter the distance of the MB redox reporter
from the electrode surface, resulting in varied electron transfer efficiency. Nuanced
and reversible detection of varying serotonin concentrations can be achieved by
quantifying the MB redox signal via square wave voltammetry (SWV). Depending
on the SWV frequency, the serotonin aptamer sensor could demonstrate log-linear
responses between physiologically relevant serotonin levels (0 to 100 µM) and the
SWV peak current height in SIF in a signal-off, non-responsive, or signal-on manner
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Figure 4.2: Ingestible sensor array of PillTrek for multiplexed detection of gastroin-
testinal biomarkers
(A) Schematic illustration of inkjet-printed electrochemical sensor array, detailing the oper-
ation mechanism for each sensor, including the amperometric enzyme-based glucose sensor,
potentiometric ion-selective pH sensor, impedimetric ionic strength sensor, and voltammet-
ric aptamer-based serotonin sensor. PU, polyurethane; CNT, carbon nanotube; RE, reference
electrode; WE, working electrode; CE, counter electrode; PVB, polyvinyl butyral; NiHCF,
nickel hexacyanoferrate; GOx, glucose oxidase; PANI, polyaniline; MB, methylene blue;
eT, electron transfer; MCH, mercaptohexanol. (B) Photo of sensor arrays mass-produced via
inkjet printing on a PET substrate. Scale bar, 1 cm. (C-E) Photos of a standalone biosensor
array (C) and a biosensor array before (D) and after (E) integration into the ingestible capsule
system. Scale bars, 0.2 cm. (F) Amperometric response and corresponding calibration plot
(inset) of the glucose sensors in SIF. (G) Potentiometric response and corresponding cali-
bration plot (inset) of the pH sensors in SIF. (H) Impedimetric response and corresponding
calibration plot (inset) of the ionic strength sensors in SIF. (I) Square wave voltammetry
(SWV) response and corresponding calibration plot (inset) of the serotonin sensors in SIF
recorded under a signal-off SWV frequency of 10 Hz. (J) Calibration curve based on the
relative ratiometric signal (S=I10Hz/I20Hz) of the serotonin sensor in SIF where I represents
the SWV peak current height. The inset shows... Figure caption continues in Footnote 1.
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due to the binding dynamics of the aptamer probe (Figure 4.2I,J1 and Supplemen-
tary Figure B.5). The aptamer conditions for aptamer functionalization, such as
concentration and incubation time, were optimized to achieve a high SWV peak
current height, thereby enhancing sensitivity (Supplementary Figs. B.6 and B.7).

To mitigate the influence of sensor-to-sensor variations and the complex biofluid
matrix to sensing accuracy of the aptamer-based serotonin sensor, a dual frequency
method is employed. In this approach, the signal-off or signal-on frequency re-
sponse is calibrated against the non-responsive frequency response where the sensor
response is independent of analyte concentration as the bound and unbound state
currents are equal.[36] To maximize sensor performance in SIF, we identified the
optimal SWV parameters as follows: responsive frequency of 10 Hz, non-responsive
frequency of 20 Hz, and amplitude of 45 mV (Supplementary Figs. B.8 and B.9).
With optimized parameters, we were able to achieve a low detection limit of 50 nM
and a log-linear sensor response over a wide range of serotonin levels in SIF using
this dual-frequency method (Figure 4.2J and Supplementary Note 1). Additionally,
the serotonin sensor can be automatically and readily regenerated in SIF as sero-
tonin levels change, indicating its capability for continuous target monitoring (Figure
4.2K). Furthermore, these aptamer-based sensors demonstrated batch-to-batch re-
producibility and high stability over a 15-day storage period at 4 °C (Supplementary
Figure B.10). To further enhance the sensor performance in biofluids, a 0.5%-Nafion
antifouling protective layer was applied (Supplementary Figure B.11).

The developed glucose, pH, and serotonin biosensors were successfully evaluated
in real biofluids for target biomarker analysis. In human serum, human fecal fluid,
and intestinal fluids collected from rats and rabbits, all biosensors demonstrated
stable sensor response and low sensor-to-sensor variations across the physiolog-
ically relevant biomarker concentration ranges (Figure 4.2L and Supplementary
Figs. B.12-B.17). It should be noted that while the serotonin sensor maintained its
original signal-off responsive frequency of 10 Hz, the non-responsive frequencies
varied in different sample matrices: 30, 50, 70, and 70 Hz were identified as the

1Continued caption from Figure 4.2... relative changes in peak current under 10 Hz (red)
and 20 Hz (black). S0, relative ratiometric signal at blank serotonin concentration; I0, SWV peak
current height at blank serotonin concentration. Error bars represent the s.d. of the mean from three
sensors. (K) Continuous sensing and regeneration of a serotonin sensor in SIF containing 0.1 µM
and 10 µM serotonin. (L) Calibration curve based on the relative ratiometric signal (S=I10Hz/I70Hz)
of the serotonin sensor in human fecal fluid. Error bars represent the s.d. of the mean from three
sensors. (M) Selectivity test of the sensor array in SIF upon the sequential addition of 10 mM
glucose (Glu), 10 mM lactate (Lac), 20 µM serotonin (5-HT), 20 µM vancomycin (VAN), 10 mM
ammonium chloride (NH4Cl), 20 µM dopamine (DA), and 20 µM ascorbic acid (AA).
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non-responsive frequencies for phosphate-buffered saline, serum, fecal fluid, and
intestinal fluids (Supplementary Figure B.16). The accuracy of the serotonin sen-
sors for biofluid analysis was validated using the laboratory gold-standard enzyme-
linked immunosorbent assay (ELISA) with rat intestinal fluids, resulting in a linear
correlation coefficient of 0.91 between the ELISA and biosensor measurements
(Supplementary Figure B.18).

When integrated into the multiplexed sensor patch, all sensors display high selec-
tivity against common interferent molecules such as glucose, lactate, dopamine,
vancomycin, ammonium chloride, and ascorbic acid (Figure 4.2M). Additionally,
the sensor array’s dependence on factors such as solution pH, ionic strength, and
temperature was thoroughly studied (Supplementary Figs. B.19-B.22). The glucose,
serotonin, and ionic strength sensors showed increased responses with rising tem-
peratures. The serotonin sensor was also found to be sensitive to changes in solution
pH and ionic strength. Furthermore, temperature variations affected the electron
transfer kinetics of the serotonin sensor, resulting in different non-responsive fre-
quencies. By incorporating real-time sensor calibration based on fluid pH, ionic
strength, fluid types, and temperature, accurate in situ gut fluid biomarker analysis
can be achieved.

4.1.3 System-Level Integration of Ingestible Electronic Device

In the creation of an ingestible electronic system, paramount considerations were
directed toward its size, power efficiency, and wireless transmission capabilities to
facilitate accurate measurements within the GI tract. Emphasizing miniaturization,
PillTrek features a compact form factor, occupying a volume just under 1 cm3, en-
suring high ingestibility and easy maneuverability through the GI transit pathways
(Figure 4.3A). At its core, the main PCB integrates essential components such as
silver oxide batteries, a magnetic reed switch, and a low dropout voltage regulator
for stable power delivery to the wireless sensor interface (Figure 4.3B, Supple-
mentary Figure B.23, and Supplementary Table B.2). To provide a stable supply
voltage to the analog circuitry, the 3.1 V battery voltage is regulated to 2.8 V for
powering the radio frequency (RF) module and electrochemical analog frontend.
This wireless sensor interface supports a comprehensive suite of electrochemical
techniques, including potentiometry, amperometry, square wave voltammetry, and
impedance measurements with data wirelessly transmitted to a custom mobile phone
application (Figure 4.3C).
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Figure 4.3: The system integration of PillTrek for prolonged wireless operation in
GI tract
(A) Photos of the electronic system from the front view (top) and back view (bottom) before
PDMS encapsulation, and side view of the fully packaged device. (B) System-level block
diagram of PillTrek. RF, radio frequency; MPU, microprocessor unit; ADC, analog to dig-
ital converter; DAC, digital to analog converter; MUX, multiplexer; TIA, transimpedance
amplifier; Temp., temperature. (C) Custom mobile application for monitoring data from
PillTrek. (D) Real-time power consumption profile of PillTrek during continuous multi-
modal sensing operation over a 5-minute repeated cycle (top), with zoomed-in power profiles
during impedance, SWV (bottom left), and multiplexed amperometric, potentiometric, and
temperature measurements (bottom right). (E) Long-term battery performance and voltage
regulator output potential during continuous multimodal sensing operation. (F) Received
signal strength indicator (RSSI) of PillTrek when placed in a meal-filled container, measured
by a smartphone from varying angles up to 1 meter away. (G) Long-term operation and
multimodal sensing stability of PillTrek in SIF, showing electrochemical responses of glu-
cose, serotonin, pH, and ionic strength sensors. (H) Dynamic biomarker tracking capability
of PillTrek as it travels through a phantom intestine model over a 90-min period. Scale bar,
2.5 cm. (I) Glucose (top) and serotonin (bottom) sensor responses of PillTrek devices with
and without a protective cap, demonstrating the impact of repeated contact with intestinal
tissue.

Power management is a crucial facet of the design strategy, aimed at promoting
operational stability and longevity. To optimize power consumption during mul-
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timodal operation, a custom-developed embedded algorithm keeps the electronic
system in sleep mode for most of the time, waking it briefly for transient data mea-
surement, processing, and transmission events. The system operates on a 5-minute
cycle, performing an impedimetric measurement followed by two SWV scans at
responsive and non-responsive frequencies in the first 10 s, and then multiplexed
potentiometric, amperometric, and temperature measurements for the remainder of
the cycle (Figure 4.3D). This approach results in an average power consumption
below 340 µW. Powered by two silver oxide batteries in series, the PillTrek system
can maintain a stable supply voltage of 2.8 V for over 20 hours (Figure 4.3E).

Furthermore, wireless data transmission capabilities are critical for enabling real-
time monitoring of GI biomarkers in vivo. To evaluate the wireless signal strength
through tissue, the ingestible capsule, intended for testing in a rabbit model, was
placed in the center of a cylindrical tank (12-inch diameter, 12-inch height) filled
with ground pork (Figure 4.3F). The receiver signal strength intensity (RSSI) was
measured at various angles relative to the capsule’s orientation within the tank.
Signal strengths higher than -90 dBm were recorded up to a meter away from the
cylindrical tank, demonstrating the system’s ability to reliably transmit data through
dense biological tissue.

The long-term multiplexed sensing capability of the capsule was validated by sub-
merging the device in an intestine-simulating tube filled with SIF, exposing it to
dynamic glucose and serotonin concentrations for over 20 hours (Figure 4.3G). This
further confirmed the system’s ability for continuous operation, the robust integrity
of its encapsulation, and the long-term stability of the electrochemical sensors. To
simulate in vivo conditions with continuous motion and intermittent fluid availabil-
ity, the capsule system was pulled through a phantom intestine with SIF-filled wells
for 2.5 hours using a stepper motor, reel, and string (Figure 4.3H and Supplementary
Figure B.24).

To mitigate the influence of the mechanical contact on sensor performance, a 3D-
printed cap was added to the sensor array. Two ingestible devices, one with and
one without the protective cap, underwent controlled and repetitive collisions for 10
minutes. The sensor responses following the collisions were recorded (Figure 4.3I,
and Supplementary Figure B.25). The capped sensors maintained stable responses
during the test, while uncapped sensors experienced altered responses with only the
pH and ionic strength sensors recovering functional responses afterward.

As PillTrek is designed for internal use in the GI tract, its biocompatibility is cru-



122

cial for practical applications. The cell viability of cells seeded on a PillTrek was
analyzed using a commercial live/dead kit. Live/dead staining images of human
colorectal adenocarcinoma HT29 cells over extended culture periods demonstrated
robust cell viability (Supplementary Figure B.26). This underscores the high cyto-
compatibility of PillTrek, supporting its potential utility for in vivo tests.

4.2 Validation of PillTrek for Intestinal Fluid Analysis

4.2.1 Animal Study Design

Animal Studies

Animal studies were conducted in vitro with a rat model to examine the influence
of varying dietary intakes on GI biomarker levels and in vivo with a rabbit model to
evaluate the performance of the fully integrated capsule device in a real intestinal
environment. These study protocols were approved by the Institutional Animal Care
and Use Committee (protocol nos. IA23-1800 for the rodent study and IA23-1865
for the rabbit study) at California Institute of Technology.

In vitro rat diet studies: Healthy female Sprague Dawley rats, weighing between
200-300 g, were fasted for 12 hours before replacing their water supply with either
more water, sugar-infused water (85.5 g sugar in 250 ml water), or a custom blended
smoothie (20 g sugar, 1 banana, and 50 g chia seeds in 250 ml almond milk). After
2 hours of feeding, the animals were sacrificed, and the intestines were extracted for
intestinal fluid collection. The collected fluids were analyzed using the ingestible
sensor array. The serotonin content of the rat intestinal fluids was further analyzed
via ELISA.

In vivo rabbit studies: For in vivo evaluation of PillTrek, male Oryctolagus
cuniculus rabbits, weighing between 3.6 and 4 kg, were fasted for 12 hours prior to
surgery. The rabbits were induced with ketamine (35 mg kg-1, IM) and xylazine (5
mg kg-1, IM), and with acepromazine (0.25-1 mg kg-1, SQ) used for fractious rabbits.
Glycopyrrolate (0.1 mg kg-1, SQ) was administered to reduce salivary secretions,
and ophthalmic ointment was applied to the corneas. An intravenous catheter was
placed in the ear vein for blood sample collection. The rabbits were transitioned
to a gas mask with isoflurane (1-5%) for continuous anesthesia, positioned supine,
and monitored with a pulse oximeter and an electrocardiogram (ECG) device. The
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surgical area was shaved, disinfected with 70% ethanol, and anesthetic depth was
monitored by toe pinching, heart rate, and respiratory rate.

Incisions were made along the midline at the linea alba using a blade. After opening
the abdominal cavity, a 1-2 cm incision was made in the duodenum to insert the Pill-
Trek and duodenostomy tube for administering PBS containing glucose or serotonin
over several hours with a flow rate of 2 ml h-1. The intestinal incision was sutured
with 5-0 sterile sutures, and the abdominal incision was closed with 4-0 sterile
sutures. An X-ray confirmed the capsule’s location, and the rabbits remained under
anesthesia during imaging and testing. Wireless data from the robotic capsules were
transmitted to a laptop or smartphone. Following the procedure, the duodenostomy
tube was surgically removed, and another X-ray verified the capsule’s position.

Preparation of Sampled Biofluids

Human fecal fluid: Human stool was collected and mixed with deionized water
at a 1:2 weight-to-volume ratio. This mixture was centrifuged for 30 minutes at
12,500 revolutions per minute (rpm). The supernatant was collected and filtered
using a spin column (Whatman Centrifuge Tube Filter 400 µl, polypropylene, 0.45
µm). The filtered samples were stored at -80 °C.

Rat intestinal fluid: Rat intestines were extracted from female Sprague Dawley
rats after euthanasia and sectioned into five parts. The interior fluid was collected
from each section and centrifuged for 10 minutes at 12,000 rpm to filter out impurities
and leftover material. The samples were stored at -80 °C.

Cytocompatibility Studies

The cytocompatibility of PillTrek was examined by culturing with human colorectal
adenocarcinoma HT29 cells (ATCC, cultured under 37 °C and 5% CO2). A com-
mercial calcein AM/ethidium homodimer-1 live/dead kit (Invitrogen) was used to
evaluate cell viability. Zeiss confocal microscope was used for cell imaging. Presto
blue staining (Invitrogen) was used for quantitative analysis of cell viability and
Biotek plate reader was used for optical density measurements.
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4.2.2 In Vitro Evaluation of PillTrek Intestinal Fluid Biomarker Analysis in
Response to Varying Diets

While the blood biomarker levels post-dietary intake are well studied, GI biomarker
levels remain obscure due to the inaccessibility of these fluids. However, under-
standing biochemical profile of intestinal fluids can elucidate the complex interplay
of various GI physiologies. Given the well-documented influence of diet on the
human gut microbiome, [37] the multimodal ingestible sensor array was first uti-
lized for the in vitro evaluation of GI biomarker levels in response to varying dietary
intakes.

After fasting for 12 hours, three groups of rats were either further fasting, given 1 M
sugar-infused water, or given a tryptophan-rich smoothie for an additional 2 hours.
The intestines of the sacrificed rats were sectioned into 5 segments, and the intesti-
nal fluids were harvested and analyzed with the PillTrek sensor platform (Figure
4.4A–H). Rats that drank sugar water had visibly bloated intestines, likely due to
the osmotic effects of the high sugar concentration (Figure 4.4A and Supplementary
Figure B.27).

Fasting rats had low glucose concentrations (< 3 mM) throughout the GI tract,
with serotonin levels of 4.06±1.55 µM in the small intestine and 5.53±3.31 µM in
the large intestine (Figure 4.4B,E,F). Rats exposed to sugar water consumed 9-10 g,
resulting in high glucose levels in the small intestine (40.5±7.49 mM) and moderately
elevated levels in the large intestine (10.5±6.70 mM) (Figure 4.4C,E). Interestingly,
serotonin levels in the small and large intestines were lower than in fasted animals, at
3.24±1.26 µM and 4.13±1.61 µM, respectively (Figure 4.4F). This decrease may be
due to high glucose concentrations downregulating tryptophan hydroxylase (TPH)
expression or altering metabolic pathways and receptors, thereby reducing serotonin
production and release from enterochromaffin cells (ECs). [38, 39]

The last group of rats consumed 6-8 g of a high-tryptophan smoothie containing
ingredients such as bananas and chia seeds (Figure 4.4D). Glucose levels in these
rats were elevated, though less than those in the sugar water group, at 19.2±9.31 mM
in the small intestine and 4.12±0.78 mM in the large intestine, respectively (Figure
4.4E). Serotonin levels in the small and large intestines were substantially higher, at
8.07±3.03 µM and 11.1±2.52 µM, respectively (Figure 4.4F). This increase could be
attributed to the high tryptophan content in the smoothie, promoting serotonin pro-
duction by ECs through the TPH and aromatic amino acid decarboxylase (AAAD)
pathway. Elevated serotonin levels in the colon, where the smoothie likely hadn’t



125

Figure 4.4: In vitro evaluation of PillTrek for assessing the dietary influences on GI
biomarker levels in rats
(A) Intestines of a rat divided into 5 sections for regional analysis. SI, small intestine. Scale
bar, 1 cm. (B-D) Glucose, serotonin, pH, and ionic strength levels in various intestinal
sections of fasted rats (B) rats after sugar water intake (C), and rats after tryptophan-rich
smoothie intake (D) measured with the biosensor array. (E-H) Bar plots representing the
levels of glucose (E), serotonin (F), pH (G), and ionic strength (H) in the small (SI1, SI2
and SI3) and large (cecum and colon) intestines of rats after different dietary intakes. Error
bars represent the s.d. of the mean from intestine samples (n=9 for small intestine, n=6 for
large intestine).

reached within 2 hours, suggest additional factors at play. [40]

The pH of the intestinal fluids was consistent across all rats, while ionic strength
was highest in fasted rats (Figs. 4.4g,h). Intra-animal trends were also notice-
able: glucose levels were consistently higher in the small intestine compared to
the large intestine, likely due to the rapid glucose absorption in the small intestine.
Conversely, the serotonin levels were generally greater in the large intestine, where
enterochromaffin cells are more abundant, and SCFAs from carbohydrate fermenta-
tion by gut microbiota stimulate serotonin release. [6] Higher pH and ionic strength
levels in the large intestine can be attributed to the production of alkaline substances
by gut microbiota and the reabsorption of water and electrolytes, concentrating ions
in the intestinal fluid.
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4.2.3 In Vivo Evaluation of PillTrek in Rabbits for Real-Time GI Biomarker
Profiling

The miniaturized capsule is compact enough to easily navigate through the small
intestine of a rabbit (diameter of duodenum: 1.71±0.11 cm). [41] To demonstrate
PillTrek’s capability for real-time in vivo monitoring of biomarkers, rabbits were
fasted for 12 hours before the surgical insertion of the ingestible device and a
duodenostomy tube into the duodenum. Serotonin and glucose levels in the GI tract
were modulated through an peristaltic pump, altering biomarker levels, while the
ingestible device performed multiplexed measurements and wirelessly transmitted
data on intestinal glucose, serotonin, pH, ionic strength, and temperature levels
(Figure 4.5A and Supplementary Figure B.28).

During the procedure, the rabbits’ vital signs were continuously monitored to ensure
their health, and an x-ray image confirmed the PillTrek’s location within a rabbit
(Figure 4.5B,C). Throughout the study in two different rabbits, the ingestible systems
accurately monitored changes in biomarker concentrations. A continuous infusion
of 10 µM serotonin was administered at 30 minutes, followed by an infusion of
20 mM glucose in addition to the 10 µM serotonin at 60 minutes. The sensor
responses were calibrated in real-time based on temperature, pH, and ionic strength.
PillTrek accurately monitored the trends in which measured serotonin and glucose
levels gradually increased after 30 minutes and 60 minutes, respectively, following
nutrient delivery, and remained stable over time. Consistent GI pH, temperature and

Figure 4.5: In vivo validation of PillTrek for real-time multimodal monitoring of GI
biomarkers in rabbits
(A) Schematic illustrating the experimental flow for in vivo rabbit studies. (B) Photo of
the sutured stomach of a rabbit during the in vivo study. Scale bar, 10 cm. (C) X-ray
image showing the location of PillTrek in the rabbit intestines. Scale bar, 5 cm. (D,E)
PillTrek-enabled multimodal GI biomarker profiling in Rabbit 1 (D) and in Rabbit 2 (E).
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ionic strength were observed throughout the study. The results demonstrated that
PillTrek could reliably perform real-time profiling of GI biomarkers, validating its
potential for continuous monitoring in vivo (Figure 4.5D,E).

4.3 Conclusion

In this research, the compact ingestible device PillTrek has proven to be a highly
valuable tool for advancing our understanding of the GI tract’s chemical landscape.
By enabling simultaneous, continuous, and multiplexed monitoring of key bio-
chemical markers such as pH, glucose, serotonin, ionic strength, and temperature in
complex GI environment, through meticulously designed biosensors and powerful
electrochemical techniques, this device overcomes the limitations of traditional in-
vasive methods and existing commercial capsule devices, offering detailed chemical
profiles noninvasively.

Looking ahead, PillTrek holds immense potential for widespread adoption in con-
tinuous GI health monitoring. By providing real-time insights into the GI tract’s
biochemical environment, it enhances our ability to explore and monitor the ef-
fects of various interventions on GI health. Future directions include expanding
the range of detectable biomarkers and refining the technology for human clinical
applications, paving the way for personalized GI health monitoring. Additionally,
future studies will investigate how different long-term dietary interventions impact
GI biomarkers, potentially linking these changes to behavioral outcomes and deep-
ening our understanding of the gut-brain axis. Ultimately, this multi-dimensional
approach has the potential to link gut biochemical dynamics with observable be-
havioral manifestations, enhancing our understanding of GI health and contributing
substantially to personalized and precision medicine in both GI and CNS health.
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C h a p t e r 5

ELECTROCHEMICAL PERIPLASMIC BINDING PROTEIN FOR
NICOTINE SENSING

Prescription drug abuse and addiction remains a significant problem in the U.S. The
U.S. opioid epidemic has led to the number of opioid-related deaths doubling over
the last 10 years. [1] Continuous molecular monitoring would be an important tool
to personalize drug dosing in a therapeutic range (too high may be toxic; too low
may be ineffective and potentially lead to drug resistance). Additionally, to treat
addiction and combat overdose-related deaths, noninvasively monitoring abused
drugs may help to understand individual drug pharmacokinetics to guide minimally
effective and safe dosing regimens. For example, opioid users often struggle to
shift from potent drugs like heroin to maintenance drugs while avoiding withdrawal
symptoms.

A continuous drug monitor requires the design of a label-free, rapid sensor that
captures the dynamic drug concentration in an electric signal for real-time data
processing and transmission. Wearable sensors for opioid and nicotine detection
have been developed relying on direct voltametric detection, [2, 3] however this
method is prone to selectivity issues and a high background signal in complex me-
dia. Incorporating a bioaffinity element can improve the signal-to-noise ratio and
sensor performance in biofluids. But, there is a lack of regenerable biorecognition
elements beyond enzymes, which are difficult to synthetically engineer. An enzy-
matic nicotine sensor utilized cytochrome P450 2B6 (CYP2B6) to oxidize nicotine
with a current response of 4.3 nA/µM. [4] Yet, CYP2B6 metabolizes a large variety
of drugs. [5] This poor selectivity combined with a low signal response relative to
physiological nicotine levels suggest other affinity sensors are needed.

Electrochemical aptamer-based (EAB) sensors have been explored for the noninva-
sive detection of drugs of abuse. [6, 7] EAB sensors produce a label-free electro-
chemical signal through binding-induced conformation changes. Some aptamers,
including those against drugs including aminoglycoside antibiotics, doxorubicin, and
cocaine, have demonstrated spontaneous reversibility enabling continuous monitor-
ing of the sample environment. [8, 9, 10] Aptamer selection processes (SELEX)
often screen for high-affinity binding sequences with unpredictable dissociation
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constants. Current methods to tune aptamer binding affinities involve destabiliz-
ing the structure through post-SELEX modifications, but without available tools to
characterize aptamer binding interactions and tertiary structures, aptamers remain a
challenge to engineer as continuous electrochemical biorecognition elements.

Periplasmic binding protein (PBP) receptors present a versatile class of biorecep-
tors that by nature selectively bind and release their targets to mediate bacterial
chemotaxis and solute uptake. [11] Over 1000 PBP crystal structures have been
characterized, all of which conserve the distinct clamshell binding motion of this
receptor class (Figure 5.1A). [12, 13] This generalized binding-induced conforma-
tion change can be exploited for signal transduction. Additionally, well-established
protein characterization and engineering techniques such as X-ray crystallography
and site-directed mutagenesis enable the directed evolution of PBP biosensors. [14]

The binding-induced conformational changes of PBP receptors have been used for
fluorometric biosensing by circularly permuting green fluorescent protein (GFP) to
the PBP to produce intensity-based sensing fluorescent reporters (iSnFRs) (Figure
5.1B). [15, 16] iSnFRs for a variety of addictive drugs, including nicotine and opi-
oids, have been developed and well-characterized. [17] Optical signal transduction
allows for efficient protein screening, selection, and characterization. For on-body
continuous sensing, an electrochemical signal is preferred for platform miniaturiza-
tion and efficient signal processing and communication (Figure 5.1C). Prior work has
demonstrated the feasibility of an electrochemical PBP sensor using L-glutamine,
glutamate, and maltose binding proteins. [18, 19, 20] We thus aim to adapt the
iSnFR construct for electrochemical sensing as a step toward the development of a
wearable continuous drug monitor.

Using structure-switching EAB sensors as a framework, we sought to design an
electrochemical PBP (ePBP) sensor scheme. An ePBP sensor necessitates (i) redox
probe coupling, (ii) oriented immobilization on the electrode surface, and (iii)
positional optimization of these two components such that the binding-induced
movement of the redox probe relative to the electrode surface is maximized. In
this chapter, we discuss the various strategies explored to address these design
requirements. We present the preliminary data in developing and optimizing the
ePBP sensor design and provide a roadmap forward for continued ePBP development
and validation.



134

Figure 5.1: Overview of PBP biosensing using fluorescence and electrochemical
signal transduction
(A) Naturally occurring bacterial PBP receptors may be expanded to many additional
biochemical targets through the use of site-directed mutagenesis while maintaining their
clamshell movement in common. This binding-induced conformation change may be ex-
ploited for generalized signal transduction across the class of receptors. (B) The iSnFR
fluorescent biosensor uses a circularly permuted GFP (cpGFP) to produce a fluorescent
signal upon binding. Fluorescent signal transduction allows for high efficiency protein
screening, selection, and characterization in solution. (C) Oriented immobilization of redox
probe-labeled PBPs on electrodes can be used to produce an electrochemical PBP (ePBP)
sensor for continuous wearable sensing. Created with BioRender.com.

5.1 Materials and Methods

Reagents

N-(3-dimethyl-aminopropyl)-N’-ethylcarbodiimide (EDC), N-hydroxysulfosuccinimide
sodium salt (sulfo-NHS), 6-mercapto-1-hexanol (MCH), Atto MB2 maleimide, Atto
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MB2, methylene blue, hydrochloric acid, and sodium hydroxide were purchased
from Sigma Aldrich. Potassium ferricyanide (III) and potassium ferrocyanide (IV)
was purchased from Acros Organics. 10× phosphate-buffered saline (PBS), sulfuric
acid, potassium chloride, sodium chloride, and (-)-nicotine tartrate were purchased
from Fisher Scientific. Dithiobis(C2-NTA) was purchased from Dojindo Molecular
Technologies.

Protein Purification

iNicSnFR12 wildtype (WT) was prepared using the methods outlined in Ref. [16,
21]. NicPBP12 was isolated from iNicSnFR12 to remove the cpGFP component
to evaluate the decoupled bioreceptor’s performance and the effect of increased
packing density on the sensor performance. Au-binding protein linker sequences
were inserted at the N-terminus and the His6-Tag was moved to the C-terminus by
Gibson assembly for comparison of oriented protein immobilization schemes.

The crystal structure of iNicSnFR3a was analyzed in apo (PDB: 7s7v) and vareni-
cline bound states (PDB: 7s7t) using PyMOL software.[16] The bound and unbound
states were overlaid to analyze the movement of residues. Single-site point muta-
tions were performed to insert cysteine residues at positions of significant movement
(>4 Å).

Redox Labeling

iNicSnFR12 wildtype and mutants were labeled with Atto MB2 (MB) as a redox
probe. Pan-labeling of the iNicSnFR12 was performed using EDC/NHS coupling.
250 mM EDC HCl and 500 mM sulfo-NHS was prepared in pH 5, 10 mM MES
buffer. 50 mM stock Atto MB2 was prepared in DMSO. EDC-NHS solution and
MB-COOH stock were combined in equal parts, mixed, and reacted for 10 min at
RT. Amine-reactive MB was diluted with 20 mM tricine buffer, pH 8 to 2.5 mM
MB and combined with 50 µM protein and incubated for 2 h at RT in the dark. Atto
MB2 maleimide was coupled to cysteine residues on the protein. 50-100 uM protein
was reacted with Atto MB2 maleimide in a ratio based on the number of cysteines
present on the protein. The reaction was carried out in 1× PBS, pH 8.0, overnight
at RT on a rotator in the dark. After the MB coupling reaction, the protein was
purified in 1× PBS, pH 7.4 using a desalting column, followed by 3 passes through
a 30 kDa MW spin column, and then was concentrated using a 0.5 mL centrifugal
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spin column (Amicon Ultra). Prepared redox-labeled protein was stored in the dark
at 4 °C.

Labeling Characterization

The redox labeling efficiency was evaluated by ultraviolet–visible spectroscopy (UV-
vis) (Thermo Scientific NanoDrop). Absorbance measurements were performed at
280 and 395 nm (A280, A395). Calibration curves were developed with the MB
dye, 𝑓𝜆 ( [𝑀𝐵]), and the protein, 𝑔𝜆 ( [𝑃𝑟𝑜𝑡𝑒𝑖𝑛]), individually, for each absorbance
and applied to the following equations.

[𝑃𝑟𝑜𝑡𝑒𝑖𝑛] = 𝑔−1
395(𝐴395)

[𝑀𝐵] = 𝑓 −1
280 (𝐴280 − 𝑔280( [𝑃𝑟𝑜𝑡𝑒𝑖𝑛]))

To characterize which residues on the protein were modified from the redox probe
labeling reaction, labeled protein samples were digested and analyzed by UPLC-
MS in the Proteome Exploration Laboratory at California Institute of Technology.
Protein sample was digested using chymotrypsin, desalted, and analyzed using
Eclipse mass spectrometer coupled to Vanquish Neo. Peptides were separated on an
Aurora UHPLC Column (25 cm × 75 µm, 1.7 µm C18, AUR3-25075C18-TS, Ion
Opticks) with a flow rate of 0.35 µL/min for a total duration of 0.5 hour and ionized
at 1.8 kV in the positive ion mode. Data was analyzed using FragPipe (V22.0) to
identify the mass shifts for ATTO-MB2 in chymotrypsin-digested iNicSnFR12 WT
protein. An unannotated mass shift of 337.1248 Da was found at high amounts likely
corresponding to the ATTO-MB2 modification. MS raw data files were searched
against the protein sequence using the Proteome Discoverer 3.0 software based
on the Sequest HT algorithm. Oxidation / +15.995 Da (M) and ATTO-MB2-3H
/ +337.1248 Da (K) were set as dynamic modifications; carbamidomethylation /
+57.021 Da (C) was set as a fixed modification. The precursor mass tolerance was
set to 10 ppm, and fragment mass tolerance was set to 0.6 Da. The maximum false
peptide discovery rate was specified as 0.01 using the Target decoy PSM validator
Node.

A Tecan Spark M10 96-well fluorescence plate reader (Tecan, Männedorf, Switzer-
land) was used to measure baseline and drug-induced fluorescence (F0 and ΔF,
respectively). 100 nM iNicSnFR12 WT and 3× PBS, pH 7.0 was used in these
dose-response relation experiments. cpGFP fluorescence was tested with excitation
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at 485 nm and emission at 535 nm. The effective concentration at 50% (EC50) of
the maximum response was evaluated.

Electrode Modification

2 mm diameter Au disk working electrodes (AuE), Ag/AgCl reference electrodes,
and platinum wire counter electrodes were purchased from CH Instruments (CHI).
All electrochemical sensor characterizations were performed using a CHI 1040C
potentiostat.

AuEs were polished and then cleaned electrochemically in 0.5M NaOH for 300
cyclic voltammetry (CV) scans from -1 V to -1.6 V at a scan rate of 1 V s-1.
AuEs were electrochemically roughened in 0.5 M H2SO4 using 10,000 pulse cycles
alternating between 0 V and 2 V with a 20 ms pulse duration. The electroactive
surface area was characterized in 0.05 M H2SO4 using CV, scanning from 0 V to
1.8 V at a scan rate of 0.1 V s-1.

Protein Immobilization

Ni/NTA: Roughened AuEs were immersed in 50 µM C2-NTA prepared in ethanol
and incubated overnight at RT. AuEs were rinsed with deionized (DI) water and
immersed in 40 mM NiCl2 and incubated for 2 h at RT. AuEs were rinsed with DI
water and modified by drop-casting 10 µL of 10 µM His6-tagged protein in 10%
glycerol, 1× PBS, pH 7.4, incubated for 1 h at RT in the dark. Electrodes were
rinsed and stored in 1× PBS, pH 7.4 at 4 °C until use.

Au-Binding Peptide Sequence: Several Au-binding peptide sequences from the
literature were tested. The Au-binding sequences were inserted at the N-terminus
with a 5× glycine linker before the biosensor domain. The "L" sequence is defined
as follows N-term-LKAHLPPSRLPS-GGGGG. [22, 23] The "M" sequence is de-
fined as follows N-term-MHGKTQATSGTIQ-GGGGG. [24, 23] The "AuBP1-2"
sequence is defined as follows N-term-WAGAKALVLRRE-GGGGG. [25] Rough-
ened AuEs were modified via drop-casting 1 µM protein in 10% glycerol, 1× PBS,
pH 7.4, incubated for 1 h at RT. 5 mM MCH in 1× PBS, pH 7.4 was used to passivate
the electrode surface by drop-casting and incubating for 1 h at 4 °C.
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Surface Plasmon Resonance Immobilization Characterization

Surface plasmon resonance (SPR) was used to evaluate the binding affinity of Au-
binding peptide sequence linkers. Experiments were conducted using a Sierra SPR-
32 Pro (Bruker) high throughput SPR instrument with Orbitor RS2 in the Protein
Expression Center at California Institute of Technology. Planar bare Au sensor
chips were purchased from XanTec bioanalytics GmbH (Lot.-No.:SPSM Au 0322
P43). The following protocol was applied across the microfluidic chip: 2× degas
step; 6× protein application of serial dilution series increasing protein concentration
(6.75 nM, 12.5 nM, 25 nM, 50 nM, 100 nM, and 200 nM) with a 30 µL min-1 flow
rate, 180 s association phase, and 180 s wash phase, with no regeneration between
applications; 1× 100 mM NaOH with a 30 µL min-1 flow rate, 300 s on phase, and
300 s wash phase; 2× needle wash; 3× regeneration step using 10% bleach with a
30 µL min-1 flow rate, 60 s association phase, and 60 s wash phase; 2× needle wash.

Electrochemical Sensor Characterization

Differential pulse voltammetry (DPV) scans were used to validate electrode mod-
ification steps using 2.0 mM K4Fe(CN)6/K3Fe(CN)6 in 0.1 M KCl scanning from
-0.2 V to 0.6 V with a pulse width of 0.2 s, increment of 4 mV, and amplitude of 50
mV. CV scans from 0 V to -0.5 V at a scan rate of 0.1 V s-1 were performed in 1×
PBS, pH 7.4 and 0.25× PBS, pH 7.0. Square wave voltammetry (SWV) was used to
measure the reduction of MB by scanning from 0 V to -0.5 V with an increment of
4 mV, amplitude of 50 mV, and variable optimized frequency. SWV measurements
were performed by immersing the modified electrodes in 0.25× PBS, pH 7.0 with
increasing nicotine concentrations. The peak SWV current response was measured
in Python using linear baseline subtraction.

5.2 Redox Moiety Labeling of ePBP

Two approaches have previously been used to label an electrochemical PBP with
redox moieties. [18, 20] Firstly, the protein may be labeled nonspecifically by
reacting amine side chains on native lysine residues distributed throughout the
protein. Second, the protein may be labeled at a site-specific location through the
insertion of a cysteine residue at a reaction site that exhibits significant movement
relative to the anchored position on the electrode. Given that the PBP construct
does not have any cysteine residues (two are present in GFP domain of iSnFR),
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cysteines are an optimal residue to insert using site-directed mutagenesis and label
with thiol-maleimide chemistry. We evaluated the potential of both redox labeling
strategies in parallel in developing our nicotine ePBP sensor (Figure 5.2).

The pan-labeling technique may maximize absolute signal by increasing the number
of coupled redox probes that may capture movement. Takamatsu et al. [18] modi-
fied a Ni/NTA/His6 immobilized L-glutamine-binding protein with amine-reactive
phenazine ethosulfate for the nonspecific modification of solvent-exposed lysine
groups. For a signal-on sensor with a labeled binding reaction, such as a sandwich
immunosensor, nonspecific labeling of surface-exposed residues is optimal to max-
imize the signal-on current response associated with a binding event. [26] However,
for a reagentless sensor where the redox moiety is always present at the electrode sur-
face, more redox probes may lead to a higher background signal. Sensors exploiting
a binding-induced conformation change rely on redox probes to move directionally
away or toward the working electrode. During the complex binding interaction be-
tween a protein and its ligand, some positions on the protein may move in opposite
directions such that nonspecific pan-labeling results in a diminished signal change.
Ideally, activated bioreceptors across the sensor surface would move in concert to
produce an additive signal response.

iNicSnFR12 and NicPBP12 contain about 50 and 30 lysine residues, respectively.
Chymotripsin digestion and UPLC-MS characterization of lysine-labeled iNic-
SnFR12 reaction revealed the positions of 24 sites that are labeled with MB within a
sample (Figure 5.2A,B). We improved upon the PBP redox probe labeling methods
of prior art by performing coupling in solution rather than on the electrode to en-
hance the labeling efficiency, to remove excess unbound MB, and to characterize the
labeled protein. The differential absorption spectra of GFP and MB allowed for the
labeling ratio of MB to protein to be determined with measurements at 280 nm and
395 nm wavelengths (Figure 5.2C, Supplementary Figure C.1). Using EDC/NHS
coupling in a 50:1 ratio of MB to protein, we found that 1.2 lysines were labeled
with MB on average.

Site-specific labeling may enhance the signal-to-noise ratio by ensuring that all redox
probes move in coordination assuming an oriented protein monolayer. Candidate
insertion sites were identified by overlaying crystal structures of iNicSnFR3a in the
apo and varenicline bound states and measuring the change in position (Figure 5.2D).
Five residues were identified on the top lobe of the PBP with estimated movement in
the range of 4.5-7.2 Å. iNicSnFR3a was oriented using the N-terminus as an anchor,
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Figure 5.2: Redox moiety labeling of iNicSnFR12
(A) iNicSnFR12 contains 51 lysines with 24 labeled positions (blue) during nonspecific pan-
labeling with MB. (B) Chemical drawing of MB conjugation to the lysine amine side chain.
(C) Calibration plots for GFP concentration and MB concentration. The concentration
of protein is determined by the absorbance at 395 nm, and then mapped to the 280 nm
absorbance, which is subtracted from the sample absorbance at 280 nm to determine the
MB contribution. (D) Overlay of the apo and bound states with movement vectors of
candidate positions for site-specific labeling. (E) Chemical drawing of MB conjugation to
the cysteine thiol side chain. (F) Dose-response relations for iNicSnFR12 cysteine mutants.
(G) Dose-response relation for iNicSnFR12 WT in the presence of 300 nM free MB and
Q368C mutant labeled with MB. (H) Comparison of the background SWV current response
at different frequencies using iNicSnFR12 WT labeled at either cysteine or lysine residues.
The protein was immobilized at 1 or 10 µM on Ni/NTA/Au electrodes and tested in 0.25×
PBS, pH 7.0. Error bars represent the s.d. of the mean (n=2,3,3).

so promising candidates would require a significant movement perpendicular to
the anchored electrode plane. Among the five residue candidates, Q368 appeared
to have the largest perpendicular vector component. Five mutants of iNicSnFR12
were developed through the site-directed insertion of a cysteine residue, including
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Q368C, N407C, N427C, S444C, and a quad mutation to couple MB (Figure 5.2E).
The cysteine mutants were evaluated relative to iNicSnFR12 WT to ensure that
nicotine binding performance was conserved (Figure 5.2F, Supplementary Figure
C.2). Q368C nicotine binding and GFP activation is not significantly impacted
by the cysteine insertion. N407C and S444C exhibit a change in the normalized
fluorescence indicative of impacted GFP activation, but the EC50 remains consistent
within the range of 5-11 µM.

Cysteine residues of iNicSnFR12 and Q368C were labeled with MB with a labeling
ratio of 1.7 and 1.8 MB to protein, respectively. These results demonstrate that the
pair of cpGFP cysteine residues are being modified (Supplementary Figure C.3).
Dose response curves of the unlabeled and labeled biosensor were compared (Figure
5.2G, Supplementary Figure C.4). It was found that the MB labeled response was
consistently lower but that EC50 values were maintained. A control of iNicSnFR12
WT mixed with 300 nM free methylene blue demonstrated that MB seems to impact
the fluorescence output rather than receptor function. The contribution of cpGFP
cysteines to the MB signal was evaluated by substituting C223 residue with threonine
(C223T) (Supplementary Figure C.5). Removal of C223 reduces the SWV current
response in comparison to MB-labeled WT. cpGFP cysteines are located closer to
the electrode surface assuming N-terminus anchoring than Q368C, so a MB redox
probe at these locations would provide a larger signal contribution. A decrease
in signal for the C223T Q368C mutant indicates that the surface-exposed Q368C
mutant is more likely labeled relative to the internal C245 residue.

Comparing the magnitude of the SWV current response we see that MB coupling to
lysine residues results in a larger signal than the cysteine modification (Figure 5.2H).
Despite iNicSnFR12 WT having a higher labeling ratio in the cysteine reaction over
the lysine reaction, the lysine labeling positions the MB on average closer to the
electrode surface to produce a larger signal. This agrees with UPLC-MS analysis
that demonstrated that of the 24 labeled lysine positions, 11 were in the bottom lobe
(N-terminus labeling makes 12), 11 were in the cpGFP, and 2 were in the top lobe.
Broad lysine residue screening may identify key positions for site-specific cysteine
insertions. Combining these two techniques for redox moiety labeling may improve
the performance of the electrochemical signal transduction in an ePBP sensor.
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5.3 Oriented Immobilization of ePBP on Gold

Key to the coordinated movement of a binding-induced conformation change is
the oriented immobilization of the bioreceptor. ePBP designs in the literature
have relied on His6-Tag coordination with nickel [20, 18] and gold-thiol binding
through site-inserted cysteine residues. [19] Ni/NTA is a well-established surface
for protein capture that makes use of the already present His6-Tag used for protein
purification. Yet, in comparison to absorption on Au, Ni/NTA reduces the electron
tunneling leading to a lower current response by MB-labeled iNicSnFR12 WT
(Supplementary Figure C.6). Additionally, having a variety of linker options will
be ideal to optimize the modification pair for immobilization and redox labeling.

Au-binding peptide (AuBP) sequences were explored as an alternative to Ni/NTA
immobilization. AuBP have been used previously to enhance the direct electron
transfer of the redox enzyme carbon monoxide dehydrogenase through oriented
immobilization. [22] A selection of three promising AuBP from the literature
were incorporated at the N-terminus and were tested in the iNicSnFR12 Q368C
mutant. Initial electrochemical testing appeared promising, but led to batch-to-
batch inconsistencies and potential washing effects (Supplementary Figure C.7). We
evaluated the iNicSnFR12 AuBP binding affinity using surface plasmon resonance
(SPR) (Figure 5.3). Negative controls revealed that iNicSnFR12 WT aggregates on
the gold surface. This result is likely not due to the Au-thiol binding at GFP cysteine
residues since the C223T mutant displays similar resonance despite substitution
of the surface-exposed cysteine residue. Among the AuBP, AuM had the highest
binding affinity to gold, and repeating the AuBP sequence in duplicate enhanced the
binding affinity for each sequence.

Oriented gold binding must compete with amorphous gold binding, and it appears
that the AuBP sequences do not provide the binding affinity necessary for robust
immobilization. Moving forward, a Ni/NTA self-assembled monolayer (SAM)
remains a promising method for oriented protein immobilization. AuBP sequence
sensor results indicated that passivation of the electrode surface using MCH is
important to reduce background signal. MCH passivation should be tried post-
Ni/NTA SAM modification in future design iterations in an effort to reduce the
background signal and improve the MB peak resolution.
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Figure 5.3: SPR evaluation of iNicSnFR12 immobilization using Au-binding pep-
tide sequences
SPR association and dissociation cycles to gold of (A) iNicSnFR12 WT, (B) buffer control,
(C) iNicSnFR12 C223T, (D) AuL iNicSnFR12 Q368C, (E) AuM iNicSnFR12 Q368C,
(F) AuBP1-2 iNicSnFR12 Q368C, and (G-I) repeated Au-binding sequences of L, M, and
AuBP1-2.

5.4 Electrochemical Characterization of ePBP Nicotine Sensor

Preliminary results of an electrochemical iNicSnFR12 immobilized using His6-
Tag/Ni/NTA affinity binding and probed with MB-coupled lysine residues demon-
strate the potential for this sensor scheme to be used for the micromolar detection
of nicotine (Figure 5.4A). This ePBP scheme produces clear SWV current peaks
associated with the reduction of MB around -0.22V (Figure 5.4B). The peak current
response for SWV at 10 Hz is associated with a linear signal-off response (Figure
5.4C). The sensor demonstrates good stability over repeated measurements and a
clear difference is observed between the signal-off nicotine response and signal-off
artifacts due to signal drift (Figure 5.4D,E). For use as a continuous sensor, the ePBP
must be regenerable to handle dynamic analyte concentrations. The ePBP sensor
demonstrated good regeneration over 3 cycles of alternating between 0 and 10 µM
nicotine solutions (Figure 5.4F).
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Figure 5.4: Electrochemical characterization of iNicSnFR12 with MB-labeled lysine
residues on Ni/NTA/Au electrodes
(A) Sensor scheme. (B) 10 Hz SWV traces for the ePBP sensor immersed in increasing
nicotine concentrations in 0.25× PBS, pH 7.0. (C) Calibration plot of the normalized SWV
peak current as a function of [Nicotine] using 3 min incubation periods. Error bars represent
the s.d. of the mean (n = 4). (D) Sequential concentration testing indicates that the sensor
becomes more stable over repeated scans. (E) Sensor stability in 0.25× PBS, pH 7.0 buffer
during repeated SWV scanning. Initial scans excluded due to time-dependent variable
recovered signal. Repeated 10 Hz measurements were made with a 10 s intermediate quiet
time. (E) Sensor regeneration as it alternates between buffer and 10 µM nicotine with a 3
min incubation period.

Further sensor characterization is necessary for confidence in the ePBP sensor
scheme. The selectivity of the ePBP sensor against endogenous small molecules
must be evaluated along with the performance in biofluids. Additionally, future
experiments are needed to determine the sensor time resolution. The sensor should
be tested in a flow cell with high SWV sampling frequencies as the nicotine con-
centration is stepped up and down.

The nanoampere current response of this sensor scheme is an area for improvement
and continued optimization. AuEs were electrochemically roughened to enhance
the electroactive surface area and enhance electron transfer (Supplementary Figure
C.8). [27] Other nanostructured electrodes may be explored to improve electron
mobility and signal transduction. Additionally, the signal may be increased by
enhancing the efficiency of the EDC/NHS AttoMB2 labeling reaction to maximize
the amount of redox probes per protein. Removal of the GFP for this sensor scheme
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needs to be tested to understand how packing density increases with NicPBP12.

5.5 Conclusion and Future Work

PBPs represent a class of bioreceptors that bind target ligands with high specificity
and efficient binding kinetics naturally designed for chemical sensing by bacte-
ria. The hinge-like bending between the two lobes results in a large mechanical
movement upon binding. Our initial results demonstrate that this movement can be
transduced into an electrochemical signal through the coupling of redox probes to
the protein cleft and oriented monolayer assembly on an electrode surface.

Further sensor design iteration and optimization is needed to improve the perfor-
mance of the sensor. Different redox moieties should be surveyed since they vary in
electron transfer rate, stability, and pH-sensitivity. [28, 29] Aside from methylene
blue, the performance of ferrocene, Ru(II), and phenazine derivatives should be
evaluated. Pairwise positional optimization of redox probe and anchor are needed.
Using the crystal structure of iNicSnFR12, residue movement relative to the elec-
trode plane may be simulated with different anchor positions to identify the best
candidate anchor and redox coupled residue pair based on movement and Debye
lengths from the electrode. Additionally, protein immobilization with multiple
anchors should be evaluated as it may both enhance the stability of the protein
orientation and the stability of the monolayer under sample flow rates. [22]

ePBP sensors have high potential to be a generalizable sensing approach through the
directed evolution of PBP receptor classes to desired small molecule and peptide
targets. To validate the generalizability of this sensor scheme, future work will test
the electrochemical translation of other OpuBC mutants for which iSnFR cpGFP
fluorescence can be used as a control for protein characterization. This work may
enable a pipeline of continuous drug monitors based on iDrugSnFR screening. [21]
We will then confirm if this sensor scheme can be extended to other classes of PBPs
beginning with those previously reported in the literature, including maltose bind-
ing protein and glutamine binding protein. Additionally, glucose binding protein
may be explored as a non-enzymatic CGM. Assuming generalizability, screening
methods will need to be optimized for ePBP pipeline efficiency. Incorporating a
working cpGFP domain for screening each PBP, only to remove it for electrochem-
ical modification will be tedious. Future work will be needed to develop a method
of large batch electrochemical screening of PBP constructs ideally in cell lysate.

In summary, ePBP sensors are worthwhile exploring for the development of continu-
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ous reagentless non-enzymatic electrochemical sensors. Our initial work progresses
the development of an ePBP-based continuous nicotine monitor with the potential
for expansion to opioids, antidepressants, and other psychoactive drugs. Continuous
drug monitors may be applied in future wearable devices for sweat analysis, thus
requiring additional considerations for ePBP sensor design. The development of
such wearable drug monitoring devices has high potential to curb addiction through
personalized and safe dosing regimens and prevent overdose deaths with platform
drug toxicity and vital sign monitoring.
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C h a p t e r 6

APPLICATION IN WEARABLE SWEAT ANALYSIS

Materials from this chapter appear in:
Jihong Min et al. “Skin-interfaced wearable sweat sensors for precision medicine”.
Chemical Reviews 2023, 123 (8), 5049–5138. doi: 10.1021/acs.chemrev.
2c00823

Wearable sensors hold the promise of providing noninvasive and continuous insight
into the biochemical landscape of our body.[1, 2, 3, 4, 5, 6, 7] From their simple
origin as pedometers, wearable sensors have evolved tremendously into the more
complex field of health monitoring. Fueled by increasing urbanization, improved
lifestyle, and increasing awareness toward health and safety, the wearable sensor
industry has witnessed an exponential growth in the demand for technologies that
offer continuous health monitoring in the past decade.[8] Current state-of-the-art
commercial wearable devices primarily focus on monitoring biophysical signals
(temperature, heart rate) that indicate the physical manifestations of an underlying
health state or condition which constrain the application of these devices within
well-being services. Owing to the complexity and multidimensional nature of
various diseases, deeper, multiplexed information acquired at the molecular level is
needed before wearable sensors can be adopted for disease monitoring. From smart
watches to e-skins, innovations in wearable sweat sensors promise to address this
technological gap by expanding the biometrics accessible noninvasively through the
skin.

Sweat contains a wealth of biochemical information that can be noninvasively and
readily accessed on-demand or even continuously.[3, 9, 10, 11] Compared with
the complexities and discomforts associated in the sampling of other biofluids like
blood, interstitial fluid, tear, saliva, and urine, sweat sampling can be conveniently
and unobtrusively achieved by placing a sensor patch on accessible locations of
the skin. Molecular biomarkers unveiled by wearable sweat sensors through con-
tinuous and noninvasive monitoring can provide a more detailed understanding
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of the biochemical processes that govern our health, enabling precision medicine
through personalized monitoring of an individual’s fitness and health conditions, as
well as disease diagnosis and prognosis. Furthermore, the large amounts of bio-
chemical profiles collected by sweat sensors from patients and healthy populations
during the daily activities can be processed through predictive algorithms to realize
personalized therapeutics and preventative care. At the same time, large data sets
collected at the population-level can improve real-time epidemiological surveillance
and enhance the precision of public health responses.

Advances in sensor technologies, materials science, and electronics lead to the
advent of the first fully integrated multiplexed wearable sweat sensor in 2016.[12]
Since then, numerous wearable sweat sensing systems have been developed, typically
consisting of a flexible sweat sensor array for conformal contact, a flexible printed
circuit board (FPCB) with rigid electronic components for signal processing and
wireless communication, and a power source such as a lithium-ion battery to power
the electronics. However, for the widespread commercial adoption of wearable
sweat sensors, several challenges need to be addressed.

Rigid or thick elements in sweat-sensing systems often impede the device from
achieving a stable, conformal, and breathable interface with the skin, potentially
leading to motion-induced artifacts, discomfort, and skin irritations. Furthermore,
effective sweat sampling often requires airtight contact with the skin which can
be achieved by straps on wristwatches and headbands, or by novel deformable
adhesives. Breakthroughs in elastic wearable materials could gradually replace rigid
and bulky parts of wearable sweat sensing systems with lightweight and deformable
counterparts to seamlessly interface the skin, evolving from semirigid wristband
sensors to e-textile sensors or e-skin sensors.

Next, the continuity and reliability of sweat sensor data are fundamental for achiev-
ing continuous health monitoring. Effective sweat sampling is the first step toward
achieving continuous and accurate biomarker analysis. Early sweat sampling meth-
ods for analyzing biomarkers in sweat were often confounded by discrepancies due
to skin contamination, sweat evaporation, sweat stimulation methods, and sweat rate
effects. In addition, sweat stimulation was primarily achieved physically through
exercise or thermal stress, leading to large variations in sweat rate and limiting
sweat collection to very specific scenarios. Chemical sweat stimulation methods,
as well as efficient sweat collection materials and microfluidic designs, can mini-
mize fouling of sweat samples and extend the use of sweat sensors to sedentary and
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everyday scenarios. Ultimately, highly precise, specific, and stable sweat sensors
for detecting a wide range of biomarkers need to be developed or improved upon.
These sensors should also be supported by calibration sensors that simultaneously
analyze variables that can potentially influence sensor readings or sweat content,
such as skin temperature, sweat electrolyte balance, and sweat rate. Lastly, the vast
amount of continuous data collected by sweat sensors can be aggregated through
big-data and cloud computing techniques to better comprehend the meaning of the
biomarker levels in terms of personal health status.

This chapter provides an overview of wearable sweat analysis with a discussion
on sensor considerations for application in sweat. We review the physiology of
sweat to understand molecular partitioning to this biofluid and use this information
to consider localized sweat induction methods using iontophoresis for on-demand
sampling and measurement. We conducted a high-performance liquid chromatog-
raphy (HPLC) analysis of the sweat profile to validate the physiological mechanisms
of sweat generation and evaluate the presence of cholinergic agonists in the final
secreted sweat. Using this information, we evaluated the readiness of a nicotine
sensor for sweat analysis to inform the future wearable platform design. Finally, we
discuss how wearable sweat sensors may be translated out of the lab by outlining
their path to commercialization.

6.1 Physiology of Sweat

Sweat is produced from glands located deep within the skin, the body’s largest organ
by surface area. The skin has a stratified structure including the stratum corneum,
epidermis, dermis, and hypodermis. The dermis is the major component of the skin
containing blood vessels, nerve endings, and the base of sweat glands, sebaceous
glands, and hair follicles (Figure 6.1A). The average eccrine sweat gland density is
200/cm2, but this varies between individuals and across the body with the highest
density among the palms and soles (∼400/cm2).[13, 14] The total number of eccrine
sweat glands is on the order of 1.6-5 million.[13]

Sweat plays a very important role in maintaining the body’s core temperature,
providing a means of thermoregulation. Should body core temperatures rise above
40 °C without modulation, there is a risk of protein denaturation, cell death, and
subsequent organ failure.[13] Beyond thermal regulation, sweat also participates in
skin homeostasis. Moisturizing factors in sweat, such as lactate and urea, maintain
the plasticity and barrier integrity of the stratum corneum. Secretion of antimicrobial
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Figure 6.1: Physiology of sweat glands and eccrine sweat secretion
(A) Structure of the skin, including apocrine and eccrine sweat glands. (B) The eccrine
sweat gland can be broken down into two primary components: the secretory coil and
the sweat duct where isotonic secretion and reabsorption occur, respectively, to produce
a hypotonic aqueous fluid. (C) Sweat is stimulated primarily through 𝛽-adrenergic and
muscarinic innervation. 𝛽-adrenergic and muscarinic signaling pathways use cAMP and
Ca2+ as second messengers, respectively, to activate chloride channels. Activation of
nicotinic receptors may amplify the sweating response beyond the localized region via the
sudomotor axon reflex. (D) Several membrane channels are involved in the secretion of
electrolytes and the subsequent osmotic flow into the lumen. Created with BioRender.com.

compounds such as dermcidin, lactoferrin, lysozymes, and immunoglobulin E (IgE)
antibodies contributes to the skin’s first line of defense against infection.[15] The
loss of sweat glands after severe damage as in the case of burn victims presents new
challenges in regenerative wound healing and demands further research into sweat
gland physiology.

Eccrine sweat glands secrete a highly filtered, aqueous fluid composed of elec-
trolytes, metabolites, and additional molecules. Apocrine sweat glands secrete
a viscous fluid containing lipids, proteins, steroids, and ions, by exocytosis in the
apocrine gland coil.[16] Volatile organic compounds from apocrine secretions act as
pheromones.[13] Apocrine and eccrine sweat glands are differentially stimulated.
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Table 6.1: Composition of sweat.

The apocrine sweat gland responds strongly to emotional stimuli and sympath-
omimetic drugs via adrenergic innervation, but does not respond to cholinergic or
thermal stimulation like the eccrine sweat gland.[15, 17] The apoeccrine sweat gland
shares properties of both eccrine and apocrine glands; it may develop during pu-
berty in the axillae region from existing eccrine sweat glands. The gland retains an
eccrine-like sweat duct but has an apocrine-like secretory tubule. Apoeccrine sweat
ultimately resembles aqueous eccrine sweat and arises from an intermediate type of
stimulation.[18] This review focuses on eccrine sweat as eccrine sweat glands are
the most abundant and active source of sweat.

In this section, we present the physiology of eccrine sweat from stimulated inner-
vation to sweat secretion. We describe sweat gland development and structure.
Additionally, we discuss molecule partitioning into sweat and give an overview of
accessible biomarkers in sweat.
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6.1.1 Structure and Mechanisms

The eccrine sweat tubule is a conduit for sweat and electrolyte exchange 4-8 mm
in length. At the base, the secretory coil is 500-700 µm in size with a lumen inner
diameter of 30-40 µm and a coil outer diameter of 60-120 µm.13 The secretory coil
is interwoven with capillaries for vascular exchange and sudomotor nerve fibers for
autonomic modulation.[14, 19] The secretory tubule straightens into the dermal duct
with an inner diameter of 10-20 µm and outer diameter of 50-80 µm composed of
two to three layers of epithelial cells.[13] The sweat duct is straight from the dermis
to the epidermis, and then transitions to a helical structure in the epidermis that
terminates in the stratum corneum. The number of turns of the helical duct varies
from 4 to 6 and varies proportionally to the stratum corneum thickness, yet the pitch
angle remains constant across sweat glands.[20] The helical structure makes the
sweat duct act as a helical antenna resulting in resonance behavior. Sweat duct di-
mensions, density, distribution, and the dielectric properties of the stratum corneum
all determine the resonant frequency and subsequent skin-THz wave interactions.
The duct length varies from 150 to 600 µm and varies proportionally to the stratum
corneum thickness.[20] The sweat duct widens into the acrosyringium, a pore on
the outer surface. The acrosyringium is composed of epithelial cells with no clear
distinction or border to the epidermis. The lumen has a diameter of 20-60 µm and
may also contain cornified cells.[13]

Humans are born with almost all their sweat glands, with gland development oc-
curring mostly during the first two trimesters. This is one explanation for higher
observed duct densities in children than adults.[20] The sweat gland develops from
a group of multipotent K14+ progenitors, descendants of epidermal stem cells.
It grows downward as a straight duct, stratifying in the lower half to prolifera-
tive K14low/K18+ suprabasal progenitors. The K14low/K18+ suprabasal progenitors
develop into luminal cells, while the remaining K14+ progenitors give way to my-
oepithelial cells.[21] Although sweat glands have limited turnover and proliferation
capabilities, there is some promise of regeneration. Stem cells associated with se-
cretory luminal and myoepithelial cells were found to promote epidermis and sweat
gland regeneration when amplified and seeded in the wound bed.[22] Additionally,
the use of three-dimensional (3D) bioprinting matrices has been studied for sweat
gland morphogenesis with tissue-level self-organization.[23]

The secretory coil and duct define the two major steps of sweat generation: isotonic
secretion and salt reabsorption (Figure 6.1B). Ductal cells facilitate transcellular
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reabsorption with mitochondria-rich basal cells contributing to uptake. The secre-
tory coil is made up of basal myoepithelial cells and luminal clear and dark cells,
named for their appearance in eosin, toluidine blue, and methylene blue stains.[13]
Myoepithelial cells strengthen the structure of the secretory coil and create a mi-
croenvironment for gland stem cell differentiation.[24] Clear cells contain many
mitochondria suggesting that they facilitate most of the active sweat secretion and
osmotic flow.[13] Dark cells are granular, containing many vesicles. Dark cells are
more involved in the secretion of proteins, including periodic acid-Schiff (PAS)-
positive diastase-resistant glycoproteins, dermicidin, and sialomucin.[24] The inter-
dependent relationship between clear and dark cells requires further investigation.

Sweat secretion is stimulated by adrenergic and cholinergic innervation (Figure
6.1C). The sudomotor response involves several adenosine triphosphate (ATP)-
dependent steps, and is suppressed by ouabain and metabolic inhibitors.[14] When
the secretory cell is stimulated, a signaling cascade occurs involving Ca2+ or cyclic
adenosine monophosphate (cAMP) as second messengers to trigger the efflux of
Cl- into the lumen of the secretory coil. Na+ is pumped out at the basolateral
membrane and diffuses down its electrochemical gradient into the lumen. The
buildup of electrolytes in the lumen renders it hypertonic with respect to the cytosol;
this osmotic gradient drives the primary sweat solution out of the cell and into the
secretory lumen (Figure 6.1D). Advective mass transport drives fluid up the eccrine
sweat duct. Along the sweat duct, luminal cells reabsorb ions to produce a hypotonic
sweat solution. We describe this process in further detail below.

6.1.2 Sweat Stimulation

Thermoregulatory sweating is an autonomic response to signals from thermorecep-
tors in the preoptic-anterior hypothalamus area. Upon an increase in core tempera-
ture, thermoreceptors send through efferent pathways to postganglionic sympathetic
neurons in the dermis.[14] Cholinergic nerve fibers around the secretory coil release
acetylcholine, thus activating muscarinic receptors on the membrane of the eccrine
secretory cell. Activation of muscarinic G-protein-coupled receptors (GPCRs)
increases intracellular inositol trisphosphate (IP3). IP3 binds to receptors on the en-
doplasmic reticulum (ER) membrane to release Ca2+ into the cytosol.[25] Stromal
interaction molecule protein, stromal interaction molecule 1 (STIM1), monitors the
ER Ca2+ levels, and when Ca2+ stores are depleted STIM1 induces store-operated
Ca2+ entry by binding to and activating Orai, a Ca2+ channel on the plasma mem-
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brane.[25] This influx of Ca2+ mediates the exchange of electrolytes resulting in
sweat secretion.

Sweating is also adrenergically stimulated under the “fight or flight” response. The
physical reaction to stress, anxiety, fear, and pain occurs mostly in the palms, soles,
and axillary region and may have the selective advantage of increasing palmo-
plantar friction for fleeing.[13] “Emotional” sweating is controlled by the limbic
system, and efferent signals are sent to adrenergic nerve fibers in the sweat secretory
coil. Release of epinephrine and norepinephrine in signaling stimulates 𝛼- and
𝛽-adrenoreceptors in sweat secretory cells. A synthetic sympathomimetic drug,
isoproterenol, selectively stimulates 𝛽-adrenoreceptors and has been used to further
differentiate the two pathways. 𝛽-Adrenergic stimulation is the dominant pathway
in emotional sweating. The magnitude of stimulated sweat secretion (measured by
secretory rate) is 4:2:1 for cholinergic, 𝛽-adrenergic, and 𝛼-adrenergic pathways, re-
spectively.[26] 𝛼-Adrenergic stimulation results in Ca2+ influx similar to cholinergic
pathways. 𝛽-Adrenergic GPCRs activate adenylyl cyclase and increase the intracel-
lular concentration of cAMP. cAMP activates protein kinase A (PKA), which in turn
mediates Cl- secretion by opening the cystic fibrosis transmembrane conductance
regulator (CFTR).[27, 28] In the case of cystic fibrosis, CFTR is defective or ab-
sent, resulting in blocked CFTR Cl- secretion during 𝛽-adrenergic stimulation and
inhibited Cl- reabsorption. A “ratiometric” sweat rate test comparing adrenergic
and cholinergic sweat rates may be used to assess CFTR functional activity.[29]

Sweat may be generated at the periphery of a stimulated region via the sudomotor
axon reflex (Figure 6.1C). Nicotinic agonists interact with receptors on postgan-
glionic sudomotor terminals at the base of the sweat gland, causing antidromic
axonal conduction toward a branch point followed by orthograde conduction down
the branching fibers. Acetylcholine is then released at the nerve terminals and binds
to muscarinic receptors on the eccrine sweat gland, resulting in sweat secretion
similar to the direct iontophoretic response.[14, 30] The spatial extension of this
sweating could be millimeters beyond the periphery of the stimulation region.[31]
The sudomotor axon reflex may be used to assess autonomic nervous system dis-
orders, such as diabetic neuropathy.[14, 32] The sudomotor axon reflex may also
be used to separate drug-induced sweat stimulation and sweat sampling regions to
prevent cross-contamination.[30] The sudomotor axon response has a longer latency
than the direct cholinergic response by about 5 s, which accounts for axonal con-
duction and neuroglandular transmission. The sudomotor axon response and direct
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response produce similar sweat volumes in the presence of nicotinic agonists. In
contrast to the direct stimulated sweat response, which continues over an hour after
cessation of the stimulus, the sudomotor axon response returns to baseline 3-5 min
after stimulus cessation.[33]

The sweat rate is modulated in part by nonuniform, localized activation. Under
mental stress, sweat production of adjacent sweat glands varied strongly.[34] The
cumulative sweating response controlled by the sympathetic nerve is discretized
into active and inactive sweat glands.[34] The sweat rate in healthy individuals
ranges from 0.2 to 1 µL/cm2/min.[35, 36] At an average sweat gland density of
200/cm2, this equals 1-5 nL/gland/min. The sweat rate is affected by local skin
temperature.[13] Sweat stimulated pharmacologically may also further increase the
sweat rate to approximately 10 nL/gland/min.[37] Sweat rate decay and cessation
occur in part due to the subcutaneous elimination of the sweat stimulant (e.g.,
acetylcholinesterase).[14, 38] Interindividual variations in sweat rate are likely due to
differences in the function and responsiveness of the sweat gland.[39] Many factors
may influence the sweat response including gender, physical fitness, menstrual cycle,
and circadian rhythm.[13] Intraindividual regional variations in observed sweat rate
may be associated with variations in sweat gland density and distribution.[20, 39]
For example, the forehead has a high density of sweat glands and has the highest
tested sweat rate region during both active and passive thermal sweating.[39, 40]

6.1.3 Sweat Secretion and Electrolyte Reabsorption

Upon stimulation, Ca2+ and cAMP act as intracellular messengers for sweat se-
cretion. Ca2+ activates transmembrane K+ and Cl- channels. TMEM16A and
bestrophin 2 are Ca2+-activated chloride channels (CaCCs) located on the apical
membrane of secretory gland cells. Bestrophin 2 is expressed only in dark cells,
yet it is necessary for sweat generation.[41] CFTR is the active Cl- channel in
cAMP-mediated 𝛽-adrenergic sweat secretion. PKA-independent CFTR activation
via calmodulin-mediated Ca2+ signaling results in cross-talk between cAMP and
Ca2+ signaling for CFTR regulation.[42] It is possible CFTR may be involved in
both sweat secretion pathways.

As Cl- diffuses into the lumen at the apical membrane, Cl- enters the cell via basolat-
eral Na-K-Cl cotransporter 1 (NKCC1), a Na+-K+-2Cl- electroneutral cotransporter.
Excess accumulated Na+ is then actively pumped out via Na+/H+ exchanger 1
(NHE1) and Na+-K+ ATPase.[25] Na+ is passively transported paracellularly down
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the electrochemical gradient established in the lumen. A buildup of electrolytes in
the lumen of the secretory coil results in an osmotic gradient driving transcellular
fluid flow via aquaporin 5 (AQP5) and paracellular flow from the interstitial fluid
(ISF).[19, 24] As a result, the aqueous fluid in the secretory coil becomes isotonic
with respect to ISF, blood, and cytosol.

Continued sweat secretion drives flow up the sweat duct, where reabsorption of
electrolytes results in a hypotonic final sweat secretion. CFTR is necessary for Cl-

reabsorption. Unlike in the secretory coil, CFTR in the sweat duct is constitutively
active. CFTR activity is complexly regulated by intracellular cAMP, ATP, and K+

levels. CFTR conduction of Cl- is transcellular, but CFTR is present at a greater
surface density on the apical membrane.[27] In contrast to the secretory coil, Na+

transport in the duct is transcellular rather than paracellular. Na+ is reabsorbed
passively by the epithelial sodium channel (ENaC) at the apical membrane and
actively pumped at the basolateral membrane by Na+/K+ ATPase.[13] ENaC and
CFTR interact with each other in complex ways.[27, 43] Na+ reabsorption is reduced
by increases in luminal Ca2+.[44] ENaC is regulated by Ca2+ in other reabsorption
cells,[45] suggesting that inhibition of ENaC by increases in Ca2+ reduces the
membrane permeability and passive Na+ flux at the apical luminal cell membrane.
As sweat rate increases, Na+ reabsorption increases; however, the Na+ secretion
rate increases relatively more, resulting in higher salt concentrations at higher sweat
rates.[46]

Bicarbonate (HCO3
-) is involved in both sweat secretion and reabsorption, yet the

mechanisms remain unclear. HCO3
- exchange is mediated by both CFTR and

Bestrophin 2 channels.[24, 27] Various carbonic anhydrase isoforms also regulate
HCO3

- by reversibly converting CO2 to HCO3
-. Carbonic anhydrase II (CA2)

operates intracellularly in secretory coil clear cells and ductal cells.[13, 25] Carbonic
anhydrase XII (CA12) is a transmembrane protein also broadly expressed in the
sweat gland. Defective CA12 results in excessive Na secretion in sweat.[24] HCO3

-

plays an important role in regulating the acid-base chemistry of sweat secretion both
intracellularly and extracellularly. Cytosolic pH affects ion channel activity. For
example, ENaC becomes inhibited at acidic cytosolic pH in ductal cells.[24] pH-
sensitive phosphatases occur in the intercellular canaliculi of secretory cells. HCO3

-

may also be secreted in coordination with acidic proteins, such as sialomucin, to
neutralize the pH in the lumen.[24] Final sweat pH can range from roughly 5 to 7 and
is positively correlated with sweat rate. Sweat pH in the secretory coil has a neutral
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pH, like ISF; but pH decreases as it moves through the sweat duct. This suggests
that ductal HCO3

- reabsorption at low sweat rates contributes to the acidification
of sweat.[47] Fluctuations in sweat pH represent a challenge in sweat sensing, both
because pH may affect partitioning of detected molecules and also because pH may
directly affect biosensor performance.

Acclimatization to thermal (and physical) stimuli markedly affects sweat genera-
tion. Physically fit individuals have higher glandular functions and sweat rates
per gland after methacholine stimulation.[48] Over a multiweek exercise series, ac-
climatization due to increased fitness resulted in a reduced lactic acid concentration
in sweat.[49] Additionally, thermal acclimatization increases the Na+ reabsorption
capacity of the human eccrine sweat gland.[35]

6.1.4 Biomarkers in Sweat

Sweat is an information-rich biofluid containing many molecules that can serve as
biomarkers. Sweat is composed of various electrolytes, metabolites, hormones,
proteins, and peptides (Table 6.1). Sweat samples may be analyzed using metrics
such as biomarker concentrations, biomarker flux, sweat rate, sweat pH, and ionic
strength to provide important information as they correlate to health. In some cases,
biomarker flux may represent a better metric of analysis since it accounts for the
dynamic water flux, which may affect concentration measurements. Biomarker flux
may be calculated using the product of sweat rate and biomarker concentration.[50]
Recent reports have shown promising correlations between the levels of a number
of sweat and blood analytes,[19] indicating the great potential of using sweat as
an alternative source for personalized healthcare. Since sweat is readily available
for noninvasive sampling, sweat is an attractive biofluid for point-of-care (POC), at-
home, and continuous diagnostics. Moreover, new biomarker discovery for precision
medicine can be greatly facilitated by the continuous, large sets of data collected
through noninvasive sweat analysis in daily activities.[51]

Analyte Transport and Partitioning

Prior to electrolyte reabsorption in the sweat duct, initial sweat secretion is isotonic
and resembles filtered ISF. Passive sweat secretion may result in reduced concentra-
tions 10- to 1000-fold lower than in ISF and blood plasma. However, blood-to-sweat
correlations vary based on the analyte and its subsequent partitioning. Analyte
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partitioning occurs primarily via transcellular and paracellular transport. Small, un-
charged analytes readily enter sweat transcellularly via diffusion through the plasma
membrane of capillary endothelial cells.[19] Large, hydrophilic molecules enter
sweat paracellularly via diffusion and advective transport through the intercellular
canaliculi between adjacent cells.

Transcellular transport of small, lipophilic molecules results in strong blood-sweat
correlations as these molecules freely diffuse across the selectively permeable cell
membrane. This is likely the dominant transport mechanism for several classes
of analytes, including steroid hormones (i.e., cortisol[52]), ethanol,[53] and many
therapeutic and abused drugs (e.g., nicotine, fentanyl). Partitioning is limited by
the least permeable state. This results in plasma correlations that hold only for
the unbound fractions of the analyte as is the case with cortisol.[19] For instance,
ionization may impede the molecule from transcellular transport. The pH of sweat
may become an important consideration for weak acids and weak bases due to the
possibility of ion trapping. In the case of ammonia (NH3), which has a pKa of
9.3, NH3 diffuses readily into the secretory lumen but under acidic sweat conditions
(as in the case of exercise), NH3 protonates to become ammonium (NH4

+). In
the protonated form, transcellular exchange is impeded and NH4

+ accumulates
in the lumen of the sweat gland. This phenomenon results in amplified sweat
concentrations.[52] Since primary sweat pH is 7.2 to 7.3 in the secretory coil,[47]
this phenomenon is likely to mostly impact reabsorption in the sweat duct. While
ion trapping is a common topic of research in subcellular pharmacokinetics, the role
of ion trapping in sweat partitioning warrants further consideration.

The intercellular canaliculi forms a >10 nm gap for paracellular molecular transport,
but tight junctions adjoining secretory cells act as a roadblock.[19] Tight junctions
are formed by over 40 different proteins, with the claudin family of transmembrane
proteins defining the structure and selective permeability of the tight junction.[19]
Paracellular sweat partitioning is likely to occur during tight-junction remodeling
allowing for ISF molecules in the canaliculi to make their way into the lumen.
Tight junctions may be modulated using calcium chelators. For example, citrate
addition leads to a >10× increased flux of glucose to sweat from ISF.[50] Although
paracellular sweat partitioning may result in significant dilution from blood plasma
protein levels, this nonspecific channel for proteins from the ISF may still result in
correlated blood plasma ratios for trend analysis.

The observed lag time between blood and sweat measurements is on the order of
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ones to tens of minutes. The secretory coil is highly vascularized, minimizing the
lag in circulating blood changes.[19] In the simplified case of transcellular transport,
the rate of diffusion determines the time to enter the lumen of the sweat duct. Once
in the lumen, advective transport by osmotic fluid flow (i.e., sweat rate) determines
the time from analyte secretion to analyte elution. When the correlation of blood
alcohol and sweat alcohol content was measured continuously, the lag time for
signal onset ranged 2.3-11.4 min and 19.32-34.44 min for the overall curve.[53]
The relative contributions of sweat flow rates and analyte partitioning mechanisms
on the sensor response remains obscure. For sweat generation or refreshing to be
the rate-limiting step, the sweat collection designs should be further optimized.
Further work is required to better define the variation in lag of different analyte
partitioning. However, real-time sensing is contextual; the measurement of an
analyte whose concentration changes slowly relative to the lag in transport and
sensing is effectively a real-time measurement.

Sweat Composition Analysis

Sweat has been surveyed broadly using liquid chromatography (LC) or gas chro-
matography (GC), mass spectrometry (MS), and nuclear magnetic resonance (NMR)
techniques. NMR requires minimal sample preparation but achieves a lower sensi-
tivity. MS is often preceded by chromatographic techniques to enhance detection
quality.[16] A high coverage LC-MS technique based on chemical isotope labeling
was used to identify over 2707 unique metabolites across 54 sweat samples.[54] Sub-
sequently, 83 metabolites were identified with high confidence. With such a diverse
data set, LC-MS may be used to characterize the sweat submetabolome and draw
statistically significant observations based on gender and activity duration.[54] LC-
MS and GC-MS represent the gold standard of trace concentration sweat biomarker
identification and quantification. The disadvantage of these techniques is that they
require expensive equipment along with complex protocols that require thorough
validation for use in metabolite identification and quantification.

Regional variations in sweat composition have been studied using a variety of assays,
recently including NMR and multiplexed immunoassays.[55, 56] In general, there
are minimal variations in sweat composition when sampling from different body
locations. No significant difference was observed for sweat cytokine composition
at different arm locations, and metabolic profiles are generally conserved across the
body.[55, 56] Sweat from the upper chest, upper back, arms, and forehead exhibited
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similar NMR spectra.[55] Sweat from the lower back, axillary, and inguinal regions
contained a higher fat content, but this may be due to sweat mixing with sebum
since these areas also contain a high density of sebaceous glands. Forehead sweat
exhibited high levels of lactate, pyruvate, glycerol, and serine relative to the arm
sweat. Serine content was also high on the hands and feet.[55] Since serine is
active in skin regeneration, this is indicative that these regions may undergo more
epithelial turnover. The hands appear to have a lower content of natural moisturizing
factors, such as glycerol and urea.[55, 57] For electrolytes, regional sodium chloride
concentrations are well-correlated with whole-body sweat concentrations, with the
exception of forehead sweat possibly due to the effects of a significantly higher
sweat rate. The forearm, thigh, and calf were all highly correlated and are potential
single-site sweat collection areas. HCO3

- concentration was high at the forearm
despite the average sweat rate. K+ and lactate concentrations were higher at the
extremities (foot, hand, and forearm).[40]

Electrolytes. Na+ and Cl-, the most copious electrolytes found in sweat, are par-
titioned into sweat via active mechanisms that are tied to the osmotic secretion of
water. Therefore, Na+ and Cl- serve as potent biomarkers of electrolyte balance and
hydration status for cystic fibrosis diagnostics and fitness monitoring applications.
According to the Na+-K+-2Cl- cotransport model as outlined previously, a series
of cascading effects instigated by the stimulation of cholinergic nerve endings sur-
rounding the sweat gland induce the influx of NaCl into the secretory coil lumen,
which then causes the osmotic influx of water.[47, 58, 59] In this primary sweat,
Na+ levels are isotonic and Cl- levels are slightly hypertonic to plasma. However,
as this fluid gets pumped through the duct, Na+ and Cl- ions are reabsorbed through
ENaC and CFTR to prevent rapid electrolyte loss. Despite wide ranging concen-
trations, resulting sweat Na+ and Cl- levels are often hypotonic to plasma levels.
Additionally, as reabsorption of these ions occurs at steady rates, increased sweat
rates correlate with increased Na+ and Cl- levels in final sweat.

K+ is another electrolyte secreted via the Na+-K+-2Cl- cotransport model that is
relevant to the function of nerve and muscle cells.[47] While understanding of
the exact partitioning mechanism of K+ requires further investigation, studies have
shown that K+ levels of primary sweat in the secretory coil are isotonic to plasma
levels but increase to hypertonic levels in final sweat exiting the duct.[60, 61]
Furthermore, K+ concentrations seem to not have a strong correlation with sweat
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rate.[40, 62]

NH4
+, an electrolyte found in sweat with metabolic origins, is of interest for tracking

liver and kidney function, as well as exercise intensity.[63] As described previously,
NH3 is a small and uncharged polar molecule with a pKa of 9.3 (weakly basic), allow-
ing for passive diffusion into the sweat gland lumen where weakly acidic conditions
result in increased protonation to ammonium. Due to its charge, the ammonium ion
gets entrapped in the lumen of the sweat gland, yielding sweat ammonium levels
to be 20-50 times higher than plasma ammonium levels. Furthermore, sweat am-
monium levels have been reported to decrease with increased sweat pH and sweat
rates.[52]

Metabolites. Blood glucose monitoring is critical for managing diabetes, and
sweat glucose has the potential to serve as a noninvasive surrogate. Some studies
have shown positive correlations between sweat and blood glucose levels, and while
the exact partitioning mechanism is still being studied, the primary source of sweat
glucose is likely to be from blood through paracellular transport.[50, 64, 65] The
rather large size and polarity of glucose likely limit its passage through the tight
junctions of the sweat gland, resulting in sweat glucose levels being ∼100 times
lower than blood glucose levels.

Lactate is a metabolite found in sweat that has been extensively studied as a potential
biomarker for muscle exertion and fatigue. While the transport mechanism of lactate
from plasma to sweat is obscure and the correlation between lactate levels in sweat
and plasma is weak, sweat lactate is also produced from sweat gland metabolism
and can still be reflective of whole-body exertion. Sweat lactate levels are typically
higher than blood lactate levels and decrease with increased sweat rates, potentially
due to dilution.

Along with ammonia, urea, uric acid, and creatinine are nitrogenous compounds
produced from protein metabolism that indicate renal function. As a small polar
molecule that can passively diffuse through the sweat gland through paracellular
transport, sweat urea has been speculated to primarily originate from the blood.[47,
66] However, reported sweat urea concentrations are often significantly higher than
blood urea concentrations (up to 50 times), potentially indicative of additional
sources of urea in sweat. A popular hypothesis is that there is a finite pool of
urea in the epidermis that gets depleted during profuse sweating, supported by
studies showing that sweat urea levels trend toward blood urea levels with increased
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sweating.[67] Additionally, studies indicate the potential for active mechanisms of
urea excretion through sweat as an alternative method for excreting excess metabolic
wastes.[68, 69, 70] Uric acid and creatinine are slightly larger molecules that are
found in sweat at micromolar levels and around 5 times lower than in blood.[71,
72, 73, 74, 75] While the partitioning mechanism of these metabolites has not been
studied in detail, a positive correlation between sweat and serum uric acid levels has
been reported.[74]

Minerals. Trace minerals such as Ca2+, Mg2+, Fe2+, and Zn2+ are often found in
sweat at concentrations similar to or slightly lower than blood concentrations.[76,
77, 78, 79] Due to their small size and hydrophilicity, these trace minerals have the
potential to be secreted through sweat via paracellular mechanisms in their free and
ionized states. However, approximately 30-45% of plasma Mg2+, 50% of plasma
Ca2+, 70% of plasma Zn2+, and above 95% of plasma Fe2+ are bound to proteins or
complexed with anions, likely impeding passive diffusion into the sweat glands.[80,
81]

Nutrients. Water-soluble vitamins such as ascorbic acid and thiamine, which are
large and polar molecules, have been reported in sweat at concentrations significantly
lower than in blood.[82, 83] On the other hand, amino acids, which are the building
blocks of protein in our bodies, are often found in sweat at concentrations similar to
or sometimes even higher than in blood.[57, 84, 85, 86] The levels of amino acids
in sweat are likely attributed to partitioning from plasma, as well as production
of natural moisturizing factors (NMF) and hydrolysis of the epidermal protein
filaggrin in the stratum corneum.[87] As such, studies have shown that sweat amino
acid concentrations decline with increased sweat rates.[88] Positive correlations
between sweat and serum levels, as well as increases in sweat concentrations after
supplement intake, have been reported for nutrients such as ascorbic acid and branch-
chain amino acids (BCAAs).[82, 86]

Hormones. Hormones are chemicals that carry signals throughout our bodies for
regulating physiological processes and behavior. Cortisol is a primary glucocorti-
coid hormone produced by the adrenal glands to regulate the body’s stress response.
As a large lipid-soluble molecule that can diffuse through lipid bilayer membranes
via intracellular passive transport, unbound cortisol is found in various body flu-



165

ids.[89] However, over 90% of endogenous cortisol in blood is bound to carrier
proteins that hinder intracellular passive transport.[90, 91, 92] While significantly
lower in concentration than serum cortisol levels, cortisol levels in sweat and saliva
have been reported to correlate with unbound cortisol in serum.[92, 93]

Neuropeptide Y (NPY) is one of the most abundant peptides in the central nervous
system and acts as a hormone that has close ties with stress, appetite, and depres-
sion.[94] When the levels of various cytokines and neuropeptides were compared
between women with and without major depressive disorder (MDD), elevated sweat
NPY levels were observed in patient subjects.[95] In addition, a good correlation
was found between NPY levels in sweat and blood.[95]

Proteins. Proteins are macromolecules (>5 kDa) constructed by numerous amino
acids. In sweat, proteins with protective functions for maintaining the epidermal bar-
rier integrity (dermicidin, apolipoprotein D, clusterin, prolactin-includible protein,
and serum albumin) make up 91% of the secreted proteins.[96, 97, 98] Trace-level
proteins such as c-reactive protein (CRP) and cytokines are of particular interest as
they modulate the body’s inflammation and immune response. While CRP levels
in sweat have been reported to be significantly lower than in blood, many cytokines
have been reported to be in sweat at concentrations similar to or higher than in
blood.[95, 99, 100] While the exact partitioning mechanism of cytokines into sweat
is uncertain, promising correlations between sweat and blood cytokine levels have
been widely reported.[95, 99] Considering their large size, it is likely that most of the
cytokines found in sweat are produced locally by the eccrine gland. However, their
production is often due to a systemic response throughout the body, and therefore
sweat cytokine levels can still be reflective of systemic levels.

Substances. Exogenous substances including toxins and drugs are often metabo-
lized by enzymes and excreted via urine and sweat. When alcohol is ingested, 90%
of the ethanol is broken down sequentially into acetaldehyde, acetate, and acetyl
coenzyme A (CoA); a portion of the remaining ethanol is excreted through sweat.
As ethanol is both soluble in water and lipids, it can passively diffuse through most
membranes in the body, leading to strong correlations between sweat and blood
ethanol levels.
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6.1.5 Sweat Physiology Outlook

There is much yet to learn about sweat gland physiology. Human sweat duct density
and distribution have been investigated using ductal pore counting, colorimetry, and
plastic impression techniques.[20] The advent of optical coherence tomography has
allowed for noninvasive morphological visualization.[20, 34] 3D sweat gland tissue
models are being developed to better understand sweat physiology for pathology and
tissue regeneration.[15] These models will contextualize sweat measurements and
correlated analyte concentrations by revealing interdependent pathways. Improved
sweat gland models may help in developing algorithms for calibration.

The development of continuous, compact, on-body collection-to-analysis sweat
sensing platforms will further improve the quality and quantity of data for sweat
characterization. Real-time multiplexed sweat measurements will also contribute
to our understanding of the physiological sweat response. Tissue-level sweat pH
regulation remains a hurdle for pH-dependent sensing platforms. Understanding
the acid-base controls in the sweat gland may aid in designing on-body stimula-
tion and collection platforms at predictable sweat pH. Elucidating the factors that
contribute to dynamic sweat concentrations and analyte partitioning is necessary to
relate noninvasive sweat measurements to system-level changes both in time and
concentration. Increasing our understanding of the physiology of the sweat gland
and surrounding skin tissue may also better explain variations in localized sweat
measurements from systemic trends. Data from biological models and wearable
sweat sensors will complement each other for growth in both fields.

6.2 Iontophoresis Sweat Induction

Sweat can be induced in various manners, such as thermal stimulation, exercise,
natural secretion, and iontophoresis. For thermal stimulation, subjects are placed
in a heated environment (e.g., sauna bathing) to induce thermal sweat at a skin
temperature of 40-41 °C, with a full-body sweat production of 0.6-1 kg/h.[101,
102, 103] Exercise-induced sweat is prevalent in many studies; however, the sweat
rate could fluctuate with respect to variations in exercise type and intensity. Some
common exercises include treadmill running and stationary biking, where the exer-
cise intensity could be controlled and recorded. As thermal and exercise induction
could impose constraints on subjects’ physical conditions and testing environment,
there is an increasing trend in using naturally occurring sweat for downstream
sensing.[moon_noninvasive_2021, 104, 105, 106, 107, 108] The naturally secreted
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sweat, also called “background sweat”, occurs during regular routines and entails
relatively low sweat rates around 10 times lower than that of exercise sweat.[106]
In contrast to these methods, iontophoresis sweat induction may produce significant
sweat volumes in a localized area for on-demand sweat sampling and analysis.

Iontophoresis is a procedure where a small current delivers a cholinergic drug
loaded in hydrogel into the skin. Two pieces of hydrogels are attached to the
skin; the anode hydrogel contains a cholinergic agent while the cathode hydrogel
contains electrolytes to facilitate current flow (Figure 6.2). As the cholinergic agent
stimulates the muscarinic 3 (M3) receptors on sweat glands, a direct sweat response
is elicited. Depending on nicotinic receptor specificity, the iontophoretic drug may
induce peripheral sudomotor axon reflex sweating.[30]

Figure 6.2: Scheme of iontophoresis-based sweat induction
AXR: Axon-reflex mediated sweating. DIR: direct stimulated sweating.

6.2.1 Sweating Response by Different Cholinergic Agents

Different cholinergic agonists could be used to induce sweating, and the sweating
response varies in duration and area, which is determined by the receptor activity
and susceptibility to acetylcholinesterase (AChE) hydrolysis. Acetylcholine and
methacholine are hydrolyzed by AChE and thus have a shorter sweating duration.
On the other hand, the nicotinic activity of the cholinergic agents affects the indirect
axon-reflex sweating and thus the area of the sweat response. For example, the
𝛽-methyl group of bethanechol limited the nicotinic activity and thus the sweating
response is highly localized and occurs directly underneath the placement of the
iontophoresis gel. Detailed studies and summaries of the receptor activities and
sweating response can be found in previous literature.[33, 37, 109, 110]
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6.2.2 Wearable Platforms for Sweat Iontophoresis

Over the past decade, various iontophoresis devices have been developed for wear-
able sweat induction. The commercially available Macroduct system is Food and
Drug Administration (FDA)-approved for iontophoresis-based sweat induction for
cystic fibrosis diagnosis and uses pilocarpine as the cholinergic agonist. After ini-
tial current ramping, a constant current is administered through the pilocarpine gel
discs strapped onto the arm. The device automatically ramps down the current and
shuts down after 5 min. Although the device provides customizable options with
the straps for stimulation at different locations on extremities and across different
age groups (babies to adults), the system remains bulky and unsuitable for regular
wear. Similar systems could be achieved for initial prototype testing with an ion-
tophoresis device and custom lab-made hydrogels loaded with selected cholinergic
agonists.[37] To improve wearability, a flexible wristband containing iontophoresis
electrodes and housing an FPCB was developed (Figure 6.3A).[111] The sweating
response to iontophoresis gels loaded with different cholinergic agonists (acetyl-
choline, methacholine, and pilocarpine) was characterized in terms of response la-
tency, sweating duration, peak sweat rate, time to peak and time at peak rate (Figure
6.3B). Moreover, periodic iontophoresis of different acetylcholine loads was per-
formed and higher sweat rate with longer sweat duration was observed for the 10%
acetylcholine gel compared to the 1% acetylcholine gel (Figure 6.3C). In addition
to the gel-based wearable systems,[112, 113, 114, 115, 116, 117] a pilocarpine-
loaded microneedle patch was recently developed for sweat testing.[118] With an
array of 100 microneedles at a length of 600 µm, the iontophoresis patch is much
smaller and thinner than a regular commercial iontophoresis gel (Figure 6.3D). In
an equine model, the microneedle patch produces a much higher sweating volume
per unit area and unit dose compared to the pilocarpine hydrogel (Figure 6.3E,F).
While the previous studies focused on local sweating, the first use of carbachol
for sweat extraction was integrated into a band-aid-shaped system with an external
iontophoresis device (Figure 6.3G).[53, 119, 120] With the custom-made carbachol
gels compared with pilocarpine gels, the group also studied the sweating duration at
high sweat rates (Figure 6.3H) and at low sweat rates (Figure 6.3I) over a long time
frame (over 10 hours). More recently, a flexible laser-engraved iontophoresis patch
with a much smaller form factor was developed with small carbachol gels cast onto
laser-engraved graphene electrodes, and on-demand sweat induction was achieved
by integrated FPCB (Figure 6.3J).[86] The sweat rates at the stimulated area and
the surrounding skin areas were characterized after a 5 min iontophoresis with pilo-
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carpine and carbachol (Figure 6.3K,L). In addition to novel form factors, variation
in the current profile for enhanced sweat volume was studied and a sinusoidal pulsed
current profile was suggested for use in patients with sweat problems.[121]

Figure 6.3: Iontophoresis-based sweat induction
(A-C) An iontophoresis patch (A) and sweating responses to different cholinergic agents
(B,C). [111] (D-F), A microneedle-based iontophoresis device (D) and in vivo sweat re-
sponses of the device (E,F). [118] (G) A carbachol-based iontophoresis sensing device. [53]
(H,I), High sweat rate (H) and low sweat rate (I) duration of carbachol and pilocarpine
iontophoresis stimulation, respectively. [37] (J), A flexible laser-engraved iontophoresis
sensing patch. Scale bar, 5 mm. [86] (K,L), Localized sweat rates measured from the
stimulated (K) and surrounding (L) skin areas after a 5 min iontophoresis with pilocarpine
and carbachol. [86]
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6.2.3 Sweat Composition by Different Induction Methods

The composition of sweat may vary across sweat induction methods. First, the pH of
sweat tends to be higher in iontophoresis-induced sweat compared to thermogenic
sweat.[122] High sweat rates and low ductal HCO3

- reabsorption may contribute to
this higher pH. Ca2+ and Mg2+ levels were observed to be higher in sweat obtained
from the sauna than in sweat obtained from exercise.[123] Recent metabolomic
studies also revealed variations in lipid profiles[124] and metabolites[105] among
iontophoresis-induced, exercise-induced, and natural sweat, including notable vari-
ations in L-alanine, pyruvate, L-aspartate, BCAAs, asparagine, lysine, and fumarate
concentrations.[105] The stability of metabolites in sweat also plays a critical role in
the quantitation process; sweat metabolite stability was shown to last for 90 min at
simulated body temperature.[125] For natural sweat at a much slower sweat rate, it is
suggested that quantitation results may be compromised due to metabolic quenching
of enzymatic reactions and metabolite stability, an issue especially relevant for untar-
geted metabolomics analysis.[126] For targeted metabolomics analysis, such as drug
tests, controlled stability studies should be done to achieve repeatable quantitation
within the applicable detection range.[127] Moreover, tissue-dependent factors (e.g.,
keratin amount and thickness of stratum corneum) affect the iontophoresis response
between individuals and at different body locations, potentially also impacting the
sweat composition.[126]

6.3 HPLC Analysis of Iontophoresis Sweat Profile

Sweat is an excellent biofluid for small molecule sensing since it is a noninvasive,
accessible biofluid that is highly filtered of large fouling proteins. The reported
nicotine content in sweat is three orders of magnitude higher than that reported
in blood, ranging from 12-62 nM for smokers.[128] Nicotine content in sweat has
previously been reported in the range of 3-7 µM and 16-24 µM for light smokers
(<10 cigarettes/day) and heavy smokers (>25 cigarettes/day), respectively.[129, 130,
131] This is likely due to acid trapping in the sweat duct, an effect observed similarly
in gastric juice, saliva, as well as intracellularly in acid vesicles.[132, 133]

For accurate analytical measurements, it is important that biosensors are selective
for their target molecule. Yet for nicotine sensing, there is a concern that the sweat
stimulation pathway via the sudomotor axon reflex is governed by nicotinic receptors
as described previously. Acetylcholine and carbachol both bind to nicotinic receptors
to activate this sweat response. Additionally, the iNicSnFR bioreceptor used in this



171

work was evolved from the Bacillus subtilis choline-binding protein OpuBC.[134]
We thus hypothesized that iNicSnFR would bind cholinergic agonists important to
the sweat gland physiology.

In this section, we perform ultra-performance liquid chromatography-mass spec-
trometry (UPLC-MS) to evaluate the composition of sweat for key interferents
relevant to nicotine sensing. We aimed to determine the relative concentration
of cholinergic agonists in sweat versus nicotine such that the nonspecific signal
response of iNicSnFR could be further evaluated.

6.3.1 Materials and Methods

Reagents

Acetylcholine chloride, choline bitartrate salt, and pilocarpine nitrate salt were pur-
chased from Sigma-Aldrich. Carbachol was purchased from Alfa Aesar. Agarose,
potassium chloride, (-)-nicotine tartrate, and liquid chromatography–mass spec-
trometry (LC–MS)-grade acetonitrile was purchased from Fisher Scientific. 1.0 mg
mL-1 (-)-cotinine in methanol (C-016), 0.1 mg mL-1 (±)-cotinine-D3 in methanol (C-
017), and 0.1 mg mL-1 (±)-nicotine-D4 in acetonitrile (N-048) reference standards
were purchased from Cerilliant.

Liquid Chromatography-Mass Spectrometry

Acetylcholine (ACh), choline (Chol), nicotine (Nic), cotinine (Cot), carbachol,
and pilocarpine levels were measured in sweat using ultra-performance liquid
chromatography-mass spectrometry (UPLC-MS). Analysis was performed using
an Acquity UPLC system coupled to a Xevo ToF mass spectrometer (Waters Cor-
poration, Milford, MA, USA), located in the Water and Environment Laboratory
at California Institute of Technology. Chromatographic separations of ACh, Chol,
Nic, Cot, carbachol, and pilocarpine were achieved using an Acquity BEH HILIC
column (2.1 × 100 mm, particle size 1.7 µm) using the same method outlined by
[135]. The column temperature was held constant at 27 °C. The mass spectrometer
was operated in positive electrospray ionization mode. MassLynx software (v. 4.1)
was used for data acquisition and analysis. LC-MS chromatograms of ACh, Chol,
Nic, Cot, carbachol, and pilocarpine were acquired by selection for [M+H]+ with
retention times of 2.94 min, 3.02 min, 3.025 min, 1.995 min, 3.01 min, and 2.69 min,
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respectively, with a retention time window of 0.3 min, and m/z of 146.12, 104.11,
163.12, 177.11, 147.11, and 209.13, respectively, with a mass window of ±0.02
Da. Cotinine-D3 (Cot-D3) (m/z: 180.12; retention time: 2.05 min) and nicotine-D4

(Nic-D4) (m/z: 167.15; retention time: 3.07 min) were used as internal standards.
For quality control, a standard was repeatedly tested 15 times initially and once
every 10 samples.

Sample Preparation

Stock standards were prepared in methanol. Mixed calibration standards were
prepared with 0.1-10 µM ACh, 1.0-30 µM Chol, 0.1-10 µM Nic, 0.1-10 µM Cot,
10-50 µM carbachol, 10-50 µM pilocarpine. Internal standards of 1 µM Cot-D3 and
1 µM Nic-D4 were added to each sample. Aqueous samples were diluted 8× with
acetonitrile.

Biofluid Sample Collection

Iontophoresis Sweat. Cholinergic drugs were added to agarose (3% w/w) hydro-
gels for iontophoresis drug delivery. 1% carbachol or 0.5% pilocarpine were added
for the anode hydrogel and KCl (1% w/w) was added for the cathode hydrogel.
Agarose is heated and dissolved in deionized water and concentrated drug or KCl
dissolved in deionized water is added to agarose upon mixing and continued heating
at ∼80 °C. Agarose should be warm to the touch prior to drug addition to prevent
chemical degradation.

Iontophoresis was implemented using a Model 3700 Macroduct Sweat Collection
System for sweat induction. The stimulated skin area on the anterior forearm
was cleaned with an alcohol swab prior to iontophoresis and sweat collection.
Transdermal drug delivery occurs via iontophoresis for 5 min at a constant current
of 1.5 mA. The participants were asked to wear a Macroduct collector over a 1 hour
period for sweat collection.

Exercise Sweat. Exercise sweat was collected directly from the skin during tread-
mill running. The sweat was filtered and centrifuged prior to testing to remove dead
skin cells and particulate that were present on the skin surface. Sweat samples were
stored at -20 °C prior to testing.
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Serum Collection. Fresh blood samples were collected once prior to smoking
and twice after smoking, using a lancet finger-prick approach. Blood was clotted at
room temperature for 15 min, and serum was separated by centrifuging at 1,500 𝑔

for 10 min and instantly stored at -20 °C prior to testing.

Nicotine Intake Study

Carbachol-stimulated sweat was collected during a participant’s regular smoking
session. The participant was a light, daily smoker (5-7 cigarettes/day), male, 30-40-
year age range. Sweat was collected for 15 minutes prior to the smoking session.
The participant was asked to smoke ad libitum with their nicotine source of choice.
Marlboro Green menthol cigarettes were used with a nicotine content of 0.6 mg per
stick. The participant smoked one cigarette over a 5-minute period. The participant
then returned for sweat collection. Sweat was collected for 40 minutes post-smoking
session. For time series analysis, 𝑡 = 0 refers to the last puff of the smoking session.

6.3.2 Results and Discussion

Using hydrophilic interaction LC-MS we were able to isolate acetylcholine, choline,
nicotine, cotinine, carbachol, and pilocarpine peaks to quantify their presence within
a single sample. This technique was then used to analyze various sweat and serum
samples. These results provide key information regarding the relative concentrations
of relevant sweat interferents and outline design requirements for a nicotine sweat
sensor.

As a measurement tool, LC-MS allowed for nanomolar-level analysis consuming
minimal sample volume. Internal standards, such as Cot-D3 and Nic-D4, provided
important stability controls throughout the experiment (Figure C.11). Quality con-
trols such as repeating the same standard every 10 measurements as done here could
be used in future analysis to correct for drift throughout the course of the experiment.
This method may be used in future experiments for time course data with sampling
frequencies of every 3 min assuming a sweat rate of 1 µl min-1 (3 µl of sweat was
consumed for 2 × dilution factor).

LC-MS was performed as a ground truth for sweat nicotine quantification (Figure
6.4). We compared the nicotine content in sweat samples of a smoker immediately
after smoking with endogenous levels in the sweat of a non-smoker. Non-smoker
sweat contained a mean endogenous nicotine concentration of 8.0 ± 13.5 nM (n
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Figure 6.4: Analytes in iontophoresis-stimulated sweat determined by LC-MS
Average concentrations of sweat analytes that represent potential interferents for iNicSnFR.
Nicotine and cotinine results were analyzed in non-smoker and smoker participants. Nico-
tine analysis is performed based on measurements post-smoking session. Choline and
acetylcholine results are shown for iontophoresis-stimulated sweat by either pilocarpine or
carbachol. Error bars represent s.d. for n = 20, 11, 20, 23, 42, 43, 11, 9 for each analyte in
order.

= 20), whereas smoker sweat contained a mean nicotine concentration of 439.5 ±
293.3 nM (n = 11). The nicotine metabolite cotinine was endogenous at a mean
concentration of 2.3 ± 2.6 nM (n = 20) and elevated in smoker sweat to 214.1 ± 45.1
nM (n = 23) on average. Serum nicotine and cotinine levels were also evaluated in
smoking participants with means of 67.7 ± 13.1 nM (n = 3) and 254.6 ± 64.2 nM
(n = 6), respectively.

Cholinergic agonists acetylcholine, pilocarpine, and carbachol were also evaluated.
The mean sweat acetylcholine level was 4.6 ± 16.6 nM (n = 43). Its metabolite
choline was present at 2.43 ± 1.14 µM (n = 42) for iontophoresis stimulated sweat
and elevated at 21.95 µM (n = 1) for exercise stimulated sweat. In comparison, serum
choline levels were found to be 33.92 ± 3.38 µM (n = 6) (Figure 6.5). Choline levels
are higher in exercise sweat since acetylcholine is the primary agonist for natural
sweat secretion. For pilocarpine and carbachol iontophoresis, these cholinergic
agonists were found to be present in the stimulated sweat at average levels of 30.64
± 8.94 µM (n = 11) and 95.86 ± 11.70 µM (n = 9), respectively. Pilocarpine levels
decreased by 41.18% over the course of 30 min of sweating stabilizing around 25
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µM after the first 10 min. Carbachol levels decreased by 21.86% over the course of
an hour of sweating, stabilizing around 85 µM after the first 30 min.

Figure 6.5: Choline concentrations in serum and sweat induced by exercise or
iontophoresis

We also compared nicotine and cotinine time course data during a smoking session
(Figure 6.6). Sweat cotinine levels remain mostly constant throughout the exper-
iment, but nicotine levels increase. Pilocarpine stimulated sweat sees a jump in
nicotine levels about 15 min after smoking. For carbachol stimulated sweat, nico-
tine levels increase prior to smoking. The cause of this is uncertain. The difference
in baseline nicotine levels between the two sweat stimulations is likely due to time
differences since last smoking session and other external factors, since the cotinine
levels remain consistent across the two sweat types. Additional work is needed to
determine how the sweat rate, which varies between stimulants and individuals, may
impact nicotine partitioning.

While there is a significant difference between smoker and non-smoker sweat nico-
tine levels, the sweat nicotine levels are lower than anticipated based on prior art. One
distinction is that the sweat analyzed in this work was generated using iontophoresis
stimulation rather than exercise stimulation as performed in the literature. It is possi-
ble that the values reported in the literature that were measured with CYP2B6-based
and voltametric-based sensors are measuring sweat interferents. [130, 136] The se-
lectivity of these sensors against choline should be evaluated given it is significantly
more present in exercise sweat than in iontophoresis sweat. Amr et al. [130] also
measured nicotine content using gas chromatography. These discrepancies may be
in part due to the volunteers in this study smoking considerably more frequently
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Figure 6.6: Time course of sweat nicotine and cotinine concentrations before and
after smoking
Sweat was either stimulated by pilocarpine (red) or carbachol (black) iontophoresis. One
cigarette was consumed during the smoking session defined by the gray shaded area. Coti-
nine concentrations (dashed line) remain relatively constant, whereas nicotine concentrations
(solid line) increase after smoking.

and with heavier doses than the smoker participant we sampled from. Adjusting for
this increased nicotine intake using smoking pharmacokinetic simulations accounts
for an order of magnitude change in blood (Figure C.12).[134] The additional 4 ×
lower variation may be the result of different sweat collection mechanisms. It is also
possible that due to acid trapping effects, nicotine does not partition with a linear
blood-sweat correlation.

In summary, these results indicate that a sweat nicotine sensor should have a detec-
tion limit of 100 nM for use in light, daily smokers. Additionally, the sweat nicotine
levels are much lower than the level of cholinergic agonists in sweat. It is important
to evaluate the sensor’s selectivity against these agonists as this may inform the
type of sweat used. These results also demonstrate the need for further research to
optimize iontophoresis sweat induction methods based on the pharmacokinetics of
carbachol and pilocarpine.

6.4 iNicSnFR Readiness for Nicotine Sweat Sensing

In this section, we evaluate iNicSnFR’s performance as a bioreceptor under sweat
conditions of low ionic strength and in the presence of cholinergic agonists.
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6.4.1 Materials and Methods

A Tecan Spark M10 96-well fluorescence plate reader (Tecan, Männedorf, Switzer-
land) was used to measure baseline and drug-induced fluorescence (F0 and ΔF,
respectively). 100 nM iNicSnFR12 wildtype was used in these dose-response re-
lation experiments. cpGFP fluorescence was tested with excitation at 485 nm and
emission at 535 nm. The effective concentration at 50% (EC50) of the maximum
response was evaluated.

Dose-response curves were generated at varying ionic strengths while buffering
capacity and pH was held constant. Since NaCl is the dominant salt modulating
sweat IS, NaCl was added to 0.2×PBS (corresponding to 30 mM IS), pH 7.0 buffered
solution to adjust the IS. Serially diluted nicotine concentrations were prepared from
a pH-adjusted nicotine stock, with added salts accounted for during pH adjustment.
IS levels from 30-150 mM were tested.

Dose-response relations were tested for pilocarpine and carbachol in 3× PBS, pH
7.0. Nicotine dose-response relation was also tested in a 1:1 mix of exercise sweat
and 3× PBS, pH 7.0

6.4.2 Results and Discussion

Sweat electrolyte concentration is variable due to a variety of factors including
hydration level and sweat rate. Sweat IS typically ranges from 20-100 mM.[137]
It is known that IS has significant effects on the signal response of electrochemical
sensors that rely on redox probe localization through binding-induced conformation
changes due to charge screening effects on the Debye length.[138] However, it is
unknown whether IS will impact the binding dynamics of the bioreceptor itself.

We evaluated iNicSnFR12’s fluorescent behavior at low IS. There was a clear
difference in the fluorescent behavior between IS <60 mM and >75 mM, with the
signal gain increased at low electrolyte concentrations (Figure 6.7). The EC50 also
decreased with IS. It is unclear from this experiment if IS impacts the target-binding
or the fluorescent signal transduction. IS has been found previously to impact the
absorption spectra of the GFP variants with decreases in fluorescence attributed
due to charge screening effects on the chromophore and the surrounding protein
environment.[139, 140] These results indicate that iNicSnFR12 performance is
enhanced at the low IS conditions of sweat, but that IS calibration would be needed
to interpret fluorescence measurements under variable sweat IS conditions.



178

Figure 6.7: Nicotine dose-response relations of iNicSnFR12 at varying ionic
strengths

Figure 6.8: Dose-response relation of iNicSnFR12 to cholinergic drugs, pilocarpine
and carbachol, in 3× PBS, pH 7.0

The selectivity of iNicSnFR12 against iontophoresis cholinergic agonists was eval-
uated (Figure 6.8, Supplementary Figure C.13). iNicSnFR12 showed low activation
by pilocarpine and carbachol with a significantly reduced maximum ΔF/F0. iNic-
SnFR12 exhibited a stronger binding affinity for carbachol over pilocarpine. This
is expected since carbachol, like acetylcholine, activates nicotinic sudomotor nerve
receptors at the base of the sweat gland triggering peripheral sweating via the su-
domotor axon reflex. Through this mechanism, carbachol generates greater sweat
rates than pilocarpine. LC-MS analysis show that carbachol and pilocarpine ion-
tophoresis may produce agonist concentrations in sweat of approximately 95 µM
and 30 µM, respectively, which translate to ΔF/F0 artifacts of 1.988 and 0.508 and
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background raw fluorescence, a.u., of 1854 and 755, respectively. Despite these
interferents being present in sweat at orders of magnitude larger than nicotine, their
low fluorescence response allows for some fluctuation in the sweat stimulant concen-
tration without significantly impacting the fluorescent response. With a consistent
iontophoresis method, the background activation can be adjusted for in the nicotine
concentration back-calculations.

We tested the performance of iNicSnFR12 in 0.5× exercise sweat (Figure 6.9,
Supplementary Figure C.14). The EC50 of iNicSnFR12 was comparable to its
performance in 3× PBS, yet the background fluorescence was very high. Exercise
sweat choline is a likely contributor to this background signal with a ∼ 20 µM
concentration due to the metabolism of acetylcholine, which activates sweat gland
signaling pathways. However, this would only account for at most 10% of the
observed F0. Further investigation is needed to understand the cpGFP activation in
sweat and if this phenomenon is variable across population.

Figure 6.9: Nicotine dose-response relation of iNicSnFR12 in 0.5× exercise sweat
1:1 mix of exercise sweat and nicotine solution in 3× PBS, pH 7.0.

While the variable of pH was not evaluated here, we anticipate pH to primarily
impact the signal transducer element. GFP-based fluorescent biosensors exhibit
decreased fluorescence at acidic pHs. [141] Additionally, for future ePBP variants,
methylene blue among other redox moieties are pH-sensitive. [142]

Overall, these results show promise for the translation of iNicSnFR12 to a wearable
sweat sensing platform. An iNicSnFR12 sweat sensing platform would require the
incorporation of calibration sensors including a pH sensor and impedance sensor
for ionic strength. Additionally, a sweat stimulant should be chosen based on the
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monitoring context. Pilocarpine only produces sweat in the stimulated skin area,
requiring pilocarpine contamination, and the sweating effects typically only last for
about 1 h. However, pilocarpine sweat typically has a neutral pH and iNicSnFR12
has a lower binding affinity to it. In contrast, carbachol generates high sweat rates
with sweating effects lasting >24 h in some. But, carbachol sweat is typically basic
and it activates iNicSnFR12 more. Since carbachol activates localized sweating, it
is possible that contamination could be reduced by collecting sweat in a different
area than was stimulated. [30, 86, 143] It is possible that the peripheral sweat
collection may still contain choline as a biproduct of the sudomotor axon reflex
stimulation. With cholinergic agonist interference being unavoidable for sweat
stimulation, priority should be placed on design constraints of on-body monitoring
duration and pH, which may render fluorescent and electrochemical transducers
inoperable, when determining which iontophoretic drug to use.

6.5 Path to Commercialization for Wearable Sweat Sensors

There is tremendous translational value in the technologies described in this review.
Translational value is determined by the ability to blend market and design factors
in a way that meets a clinical need.[144] Wearable sweat sensors can address the
need for noninvasive biomarker data collection. Applications of wearable sweat
sensors include but are not limited to fitness and recovery, mental health, person-
alized healthcare, and telemedicine. High translational value establishes a path to
commercialization. In this section, the medical device product life cycle is detailed
along with industry and regulatory challenges. The emerging sweat sensing market
is summarized, and future growth trends are discussed.

6.5.1 Product Life Cycle

The medical device product life cycle (Figure 6.10) begins with conception, design,
and prototype development. During this phase, it is important to file intellectual
property and licensing.[145] Upon prototype development, design specifications are
tested and verified. Considerations should be made for scaling feasibility via low-
cost mass manufacturing techniques. Next, regulatory compliance strategy must
be considered to bring the product to market in a timely manner. Preclinical in-
vestigation validates the product performance, identifies failure modes, and refines
risk mitigation strategies. Product compliance with FDA regulations is evaluated
based on robust clinical trials, the extent of which varies based on device classifica-
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Figure 6.10: Wearable device product life cycle

tion. After FDA approval and product launch, postmarket risk is mitigated through
adverse event reporting, surveillance, and patient focused registry. Product enhance-
ments are also made based on market feedback from stakeholders and regulatory
approval. Finally at the end of product life, it is important to communicate with
stakeholders the timeline for the end of manufacturing, end of support, and end of
availability.[145]

The medical device product life cycle may also be characterized by the device
deployment duration, how long or often the device is in use by the patient.[145]
Single-use, frequent use, and continuous use durations are determined by contextual
design factors of the wearable device. How quickly and how often biomarker levels
change may determine the required time resolution of measurements. While a
single-point daily or weekly measurement may be sufficient to monitor or screen for
certain abnormalities, one may need to integrate continuous sampling to perform
trend analysis and pattern recognition. For continuous use, the wearable deployment
duration is determined by the limitations of the device itself (e.g., sweat generation,
sensor degradation) or the monitoring context (e.g., period of exercise, treatment
course). Device duration may inform the scale of deployment.

To make the devices accessible, the design should be scalable at low-cost using
high-throughput manufacturing methods. Screen printing, inkjet printing, roll-to-
roll (R2R) manufacturing, and laser engraving are all methods that achieve high
efficiency patterning and good conductivity for the flexible electronics found in
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wearable sweat sensing platforms. Screen printing is one of the most established
low-cost mass-manufacturing methods. Screen-printed electrodes are commercially
available in a variety of conductive materials and patterns with highly reliable offer-
ings from companies such as DropSens by Metrohm. Screen printing uses a stencil
to deposit functional inks onto a flexible substrate, while simultaneously remov-
ing excess ink (Figure 6.11A).[146] Screen printed film thickness is wide ranging
(0.02-100 µm).[147] Many considerations go into formulating a conductive ink,
including the nanomaterial properties, homogeneity, viscosity, and substrate com-
patibility. Laser-induced graphene on PI film may be harvested and made into an ink
with ideal electrochemical and mechanical properties for flexible electronics.[148]
Conductive (e.g., PEDOT:PSS) and elastomeric (e.g., polyester-polyurethane) bind-
ing agents can enhance the performance of conductive inks.[148] Surfactants and
polymers prevent particle aggregation and are important additives to conductive
inks, which require stable dispersion for low resistivity.[149] High viscosity inks are
required for screen printing, leading to challenges in creating fine pattern features
and often resulting in resolutions on the order of tens of microns in commercial
use.[150]

In inkjet printing, designs are digitally controlled and fabricated by droplet addition
according to its design dot matrix (Figure 6.11B).[151] On-demand ink ejection
generates droplets through piezoelectric, thermal, electrohydrodynamic, and other
pulsatile methods.[149] Inkjet-printed films can vary in thickness based on additive
droplet control and rheological properties of the ink. Ink viscosity and surface
tension are important parameters for good printing quality and jettability. Bioinks
have added challenges of biomolecular stability during printing and nonspecific
adsorption to the ink tank resulting in protein loss (solved with BSA additive).[149]
Inkjet printing is highly efficient with minimal materials wasted, reducing the cost
per print. With high customizability and precise spatial control, inkjet printing is
ideal for printing complex patterns using multiple inks, as in the case of e-skins.[151]
Biosensors can be fabricated by serial printing the electrodes and connections,
encapsulation, functionalization, and entrapment.

R2R manufacturing is a technique that allows for sequential modifications, includ-
ing pattern transfer, etching, gravure printing, heating, UV curing, and others.[152,
154] R2R gravure printing uses an engraved cylinder that stamps a substrate feed
and continually refreshes with ink as it rotates. The bending and rotations of the
feed during R2R limit this process to flexible substrates.[147] In comparison to
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Figure 6.11: Mass manufacturing techniques for low-cost wearable electronics and
microfluidic patches
(A) Screen-printed electrode fabrication and flexible graphene ink formulation. [146, 148]
(B) Inkjet printing of electrodes and bioink enzyme functionalization. Scale bar, 1 cm.
[151] (C) Roll-to-roll electrode fabrication. [152] (D) Roll-to-roll lab-on-a-chip fabrication.
[153] (E) Laser-engraved lab on the skin. Scale bar, 1 cm. [74]

screen printing, R2R gravure printing mechanics can operate at faster speeds with
high resolution and consistency, but ink deposition is relatively thin, around 10 µm,
increasing the resistivity.[147, 150] Using a bilayer working electrode scheme, thin
R2R gravure printed carbon electrodes may be supported by a silver ink layer (Fig-
ure 6.11C).[152] This morphology enables high-throughput R2R manufacturing of
flexible electronics while maintaining mechanical and electrochemical robustness.
R2R manufacturing may be used for microfluidic fabrication and full device assem-
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bly (Figure 6.11D). R2R rotary electrode screen printing was combined with R2R
laser cutting of microfluidics (bilayer microfluidic adhesive spacer and flexible PET
cover) to assemble a wearable sweat sensor layer-by-layer.[153] A camera module
was used to monitor the alignment of the printed layers during R2R rotary assembly.
The R2R system produced 60 devices per minute on a 100 m web length.

Laser engraving is a bottom-up method for graphene electrode fabrication using
a CO2 laser cutter to directly carbonize polymeric substrates (e.g., PI) (Figure
6.11e).[74, 155] Laser-engraved graphene (LEG) is low-cost and high-throughput.
LEG composition, porosity, impedance, and morphology may all be tuned using
laser parameters.[155] Complex patterns can be easily made digitally with resolution
limited only by the focus and power of the laser. Due to a lack of binding elastomers,
the poor mechanical stability of LEG may result in disconnections and an open
circuit, a problem exacerbated by repeated bending of flexible substrates.[155] The
laser cutter may also be used to fabricate multilayered microfluidics rapidly by laser
cutting channels, inlets, outlets, and sensing regions.[74] Lastly, individual devices
may be cut from mass-printed sheets using camera-assisted laser cutting.[153]

FDA oversight is present at every step of the medical device product life cycle.
However, noninvasive medical devices have fewer barriers to market entry. The
foundation of FDA medical device regulations are based on the reasonable assurance
of safety and efficacy (21 CFR 860.7(d,e)).[145] As noninvasive wearable devices,
sweat sensing platforms exhibit the most risk when they include iontophoretic sweat
induction and when they are used for a serious medical diagnosis. For reference, the
Macroduct sweat iontophoresis system is registered as a Class II device. However,
should the device be of demonstrated substantial equivalence to another legally U.S.
marketed device, then the device is exempt of the 510(k) premarket notification and
may be made immediately commercially available. The FDA approval process may
also be bypassed under the condition that no medical claims are made for the device
and the device is noninvasive with no biological interactions.

6.5.2 Emerging Market Landscape

To avoid the FDA regulatory process, many early-stage sweat sensors are starting
out in the consumer health and wellness space (Table 6.2). Sweat is induced during
activity, so sweat stimulation is not needed in the wearable patch design. Rather
than providing medical information, the data is regarded as a performance metric.
Together these allow noninvasive wearable sweat sensors to be readily commer-
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Table 6.2: Wearable sweat sensor market landscape.

cialized. The Gx sweat patch by Epicore Biosystems in partnership with PepsiCo
and Gatorade is the first widespread commercially available wearable sweat patch.
The flexible microfluidic adhesive patch captures sweat throughout exercise and
collects sweat rate and electrolyte content data using a colorimetric output.[156]
The corresponding app allows for real-time analysis using ML-enabled image pro-
cessing.[157] The device has been validated for hydration monitoring across 312
athletes and in a variety of use conditions.[158, 157]

Competitors to Epicore for hydration monitoring include Nix Biosensors, Flow-
Bio, and hDrop.[159, 160] In contrast to the Gx sweat patch, these devices utilize
integrated electrical components. Nix calculates sweat rate, electrolyte loss rate,
and sweat composition in the sweat collection channel and transmits this data wire-
lessly. The electronic pod is reusable and connects to a single use sweat patch.[161]
hDrop is an armband that continuously monitors hydration through skin impedance
sensing.[162] Lactic acid is an important indicator of exercise intensity and muscle
fatigue during training. Onalabs is developing a sweat lactate sensor for athletes prior
to venturing into the clinical space (they plan to incorporate additional biochemical
sensors, including glucose detection).[163] SM24 is also working toward a wearable
sweat-based sensor for real-time glucose, lactate, and hydration monitoring.[164]

Epicore as a company has focused heavily on the development of flexible microflu-
idic sweat collection systems, referred to as “epifluidics”. This establishes a template
for mass customization, a marketing and manufacturing technique that allows for
flexible, custom product features with low unit cost at mass production.[165] Cus-
tom biochemical sweat assays may be simple to deploy relative to changing the
microfluidic structure. A colorimetric pH assay was used to assess skin health
and personalized skincare needs in the My Skin Track pH platform designed with
L’Oréal.[166] Customizable sweat assays are the basis for the Epicore Discovery
Patch, which collects sweat, and extracts it into a cryovial for future analysis.[156]
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The Discovery Patch has been used to assess cytokines in sweat.[56] The Discovery
Patch is registered as a 510(k) exempt Class I FDA device.

Expanding into clinical diagnostics requires regulatory approval. The Discovery
Patch serves as a springboard to on-body diagnostic assays. Epicore has clinical
studies in progress for applications including stroke rehabilitation, cystic fibrosis
screening, prediabetes screening, and kidney disease screening.[165] In addition to
Epicore, GraphWear is performing clinical studies in preparation for FDA review
of their noninvasive continuous glucose monitor. If their trials further demonstrate
similar performance to other continuous glucose monitors, they may be eligible
for 510(k) clearance.[167] Swiss company Xsensio hopes to develop the first com-
mercial Lab-on-Skin sensing platform for real-time biochemical sensing. Their
approach utilizes miniaturized functionalized field-effect transistors for multiplexed
biomarker detection, including Na+, K+, Ca2+, pH, and cortisol.[168, 169, 170, 171]

Form and comfort are important criteria for product adoption. The Nix sweat
patch uses kinesiology tape for flexible adhesion and comfort, which is a material
commonly used by their targeted athletic demographic.[161] Epicore Biosystems
has focused heavily on the development of a flexible microfluidic sweat collection
system, which is the foundation of their devices. Form defines function for Epicore’s
infant cystic fibrosis sweat sticker; the soft, flexible collection platform allows for
low volume sweat collection and reduces leakage rates.[172] Current FDA-cleared
standard sweat collection devices fail approximately 10-20% due to insufficient
sweat collection, which the Epicore microfluidic patch resolves. Additionally, fun
graphics on the sweat sticker were attractive to children and improved their perceived
experience.[173]

Similar trends are seen in the wearable heart rate monitoring space. Early adoption
in the fitness tracking space allowed for continued market testing to improve sensing
and diagnostic accuracy. Some smartwatches now have FDA-cleared applications
like the AppleWatch and Apple’s corresponding ECG app for classifying signs of
AFib and irregular rhythms.[174] With the rise in popularity of smartwatches and
CGM patches, the U.S. market is primed to adopt wearable sweat sensing platforms.

Consumer adoption and physician adoption will likely vary, yet physician adoption
is required to see transformative change and impact of sweat sensing technology
in healthcare. Physician adoption first requires accurate data collection and FDA
approval. Next, integrated data analytics and efficient summaries are required.
High volume biometrics may be overwhelming and be ignored. It is important to
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communicate and work closely with physicians to understand what would be most
informative for them. User interface and compatibility with current electronic med-
ical systems are additional design considerations that may impact clinical adoption.
Lastly, developing a clinician-trusted brand dedicated to quality and medical-grade
products is important.

Another market for wearable devices is research and clinical trials. Medidata Sensor
Cloud (formerly MC10) and VivoSense provide services to collect, integrate, and
analyze data from wearables in clinical trials. Medidata Sensor Cloud utilizes pro-
prietary wearable patches (e.g., BioStamp nPoint) to collect medical-grade quality
biometrics remotely.[175] Incorporating noninvasive wearable sweat sensors into
clinical trials may provide important biochemical data. Wearable drug monitoring
systems may determine pharmaceutical levels to maximize the efficacy of treatment
while minimizing harmful side effects. Integrating vital sign sensors and contextual
physiological biosensors may help better screen for important side effects.

Although few sweat sensors have been commercialized to date, many are in the
pipeline. As of 2022, Epicore Biosystems has over 100 patents issued or pend-
ing.[176] The wearable device market was valued at $19.45 billion in 2020 with
expected growth to $47.84 billion by 2026.[177] The rise of remote patient mon-
itoring and telemedicine is a driver for market growth, along with the shift in
healthcare from reactive to proactive intervention.[178] Medical grade wearables
and predictive diagnostics will aid physicians and patients in better addressing health
concerns. The FDA is actively responding with more fast-track approval paths for
low-risk wearable devices that collect medical grade data while still maintaining
high quality standards. The “Over-the-Counter Hearing Aid Act” of 2017 allows
hearing aids to be sold direct to consumers without a prescription.[178] This paves
the way for low-risk wearable devices to be made accessible upon deployment. The
rollout of sweat sensors will diversify the wearable device market and the type of
data available for continuous monitoring.
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C h a p t e r 7

CONCLUSION

The broader aim of this thesis work was to explore non-enzymatic affinity biosensors
for the expansion of available personal health data. With COVID-19, we developed a
multiplexed electrochemical immunosensor that could quickly provide key informa-
tion regarding a person’s infection status. Using accessible saliva samples, this test
could be performed at-home and in conjunction with telemedicine care. Turning
our attention to continuous data streams, we explored nucleic acid-based affinity
sensors. An aptamer-based serotonin sensor allowed for continuous and reagentless
electrochemical sensing. Incorporating a serotonin sensor in an ingestible capsule
unlocked localized biochemical information in the gastrointestinal tract without the
need for invasive surgical procedures. Finally, we worked on the development of an
electrochemical PBP sensor, outlining techniques to develop continuous molecular
monitors with the goal of generalizability across a swath of small molecule and pep-
tide targets. Using PBPs, we developed a preliminary electrochemical continuous
nicotine sensor for wearable sweat analysis to provide individualized pharmacoki-
netic data that could curb addiction.

Each of these bioreceptor classes have unique qualities that position them as suitable
components for electrochemical sensing applications. Antibodies provide high-
affinity binding for target recognition at low concentrations. Aptamers as synthetic
nucleic acid sequences represent another diverse class of high-affinity binding biore-
ceptors. Yet, the binding-induced conformation change of aptamers is a property
that may be exploited for reagentless signal transduction as well. Applying the sen-
sor architecture of aptamers to receptor-derived proteins introduces a new, diverse
class of electrochemical bioreceptors, the PBP superfamily.

To design future continuous biosensors, we must develop a better understanding of
the kinetics of reversible biorecognition elements. There is a tradeoff between high-
affinity sensing to achieve high sensitivity and rapid kinetics to allow for reversibility
and real-time measurements. The next step in bioaffinity sensor engineering is
modeling the binding kinetics of these bioaffinity receptors. This will provide key
information to tune affinity based on the physiological sensing demands.

Continued work in this field is imperative for the development of future wearable
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and implantable biosensors. This research contributes to the body of work aimed
at developing a new generalizable class of continuous biosensors that could lead to
expansive biosensing. Translation of such sensors will provide the data necessary
for effective machine learning and timely health insights, which will usher in a new
era of personalized medicine and predictive diagnostics.
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A p p e n d i x A

APPENDIX FOR SARS-COV-2 RAPIDPLEX

Figure A.1: SEM images of the bare graphene electrode before and after modifica-
tion with PBA.

Figure A.2: Electrochemical characterization of the sandwich assay-based graphene
sensor modifications
Differential pulse voltammetry (DPV) (A) and Nyquist plots (B) of a graphene elec-
trode in 0.01 M phosphate-buffered saline (PBS, pH 7.4) containing 2.0 mM of
K4Fe(CN)6/K3Fe(CN)6 (1:1) after each modification step (CRP assay as a representative
example): bare graphene (Bare), functionalization with PBA (PBA), immobilization of an-
tibody (Antibody), blocking with BSA (BSA), recognition of CRP (Target), and incubation
with enzyme-tagged anti-CRP antibody (DAb).
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Figure A.3: Characterization of the direct and oriented protein immobilization
Schemes illustrating direct and oriented immobilization of SARS-CoV-2 antigenic protein
for detection of specific IgG or IgM isotypes (A), and comparison of sensor performance
for S1-IgG detection using both types of immobilizations (B).
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Figure A.4: Stability evaluation of the LGE electrochemical biosensors
Variation of signal (S)-to-Blank (B) ratios over days of storage (at 4 °C in 1× PBS buffered
solution) for NP, S1-IgG, and CRP sensors in the presence of 500 pg mL-1 NP, 250 ng mL-1

S1-IgG, and 20 ng mL-1 CRP, respectively. Data are represented as mean ± SD (n = 3).

Figure A.5: (NP + S1)-IgG calibration curve
Calibration curve constructed for (NP + S1)-IgG detection in phosphate-buffered saline
(PBS, pH 7.4) supplemented with 1.0% BSA. Data are presented as mean ± SD (n = 3).
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Figure A.6: 1-Minute incubation with 100× diluted serum samples
The signal (S)-to-blank (B) ratio of the LEG sensors obtained after 1-minute incubation with
a 100× diluted serum sample from a COVID-19 positive patient (dark color) vs. a 100×
diluted serum sample from a COVID-19 negative patient (light color). Data are represented
as mean ± SD (n = 4).
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Table A.1: Patient sample summary information.
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A p p e n d i x B

APPENDIX FOR PILLTREK

Supplementary Note 1 | Ratiometric signal measurement of aptamer-based
serotonin sensor

The square wave voltammetry (SWV) parameters were optimized to induce more
accurate and sensitive measurement of the redox signal changes near the electrode
surface. Initially, the amplitude, which refers to the height of the square wave pulses,
was controlled to determine optimal conditions for specific fluid matrices. Sensors
tested under a 50 mV amplitude in simulated intestinal fluid (SIF, pH 7.0) exhibited
double peaks for serotonin concentrations over 0.5 µM, deviating from the expected
log-linear trend (Supplementary Figure B.8). However, the sensors tested under a
lower amplitude, such as 45 mV, displayed single peaks for serotonin concentration
up to 100 µM, aligning more closely with a log-linear trend. Lower amplitudes,
such as 35 mV and 40 mV, were also applied, but the peak current changes with 10
µM serotonin were smaller than those observed at 45 mV amplitude (Supplementary
Figure B.9). Sensors in PBS (pH 7.4) showed similar behaviors. Consequently, the
amplitude was set to 45 mV for SIF and PBS. However, more complex biofluids
induced degraded double peaks at this amplitude. By scanning various amplitudes,
20 mV was identified as the optimal condition for real biofluids, such as fecal fluid,
serum, rat intestinal fluid, and rabbit intestinal fluid.

Next, the sensors were interrogated with various frequencies to determine the signal-
off and non-responsive conditions, referring to the rate at which the square wave
oscillates. The non-responsive frequency arises from the interplay between electron
transfer kinetics of the bound and unbound states of the aptamer. [1, 2] When the
currents produced by the bound and unbound states are equal, the output current
remains constant regardless of the target concentration. Sensors were tested across
frequencies ranging from 10 to 70 Hz with serotonin concentrations ranging from
0.01 to 10 µM in various fluids, including SIF, human fecal fluid, serum, rat intestinal
fluid, and rabbit intestinal fluid (Supplementary Figure B.15). The intersection
point on the plot of relative peak current change versus frequency indicates the non-
responsive frequency with no peak current change. The non-responsive frequency
varies with fluid types and tends to increase in more complex fluids: 20, 30, 50, 70,
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and 70 Hz were identified as the non-responsive frequencies for SIF, PBS, serum,
fecal fluid, and intestinal fluids. A frequency of 10 Hz was used as the signal-off
frequency for all fluids, while fluid specific frequencies identified through frequency
scan were used as non-responsive frequency in each respective fluid.

Figure B.1: Schematic illustration of the fabrication procedure for PillTrek
Procedures for preparing the multiplexed sensor (A) and fabricating the fully integrated
capsule (B).
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Figure B.2: Photographs of PillTrek fabrication
(A) Photos illustrating step-by-step fabrication procedures from multiplex sensor modifi-
cation to the final PillTrek assembly. Scale bars, 3 mm. (B) PillTrek shown alongside
commercial supplementary pills for size comparison. Scale bar, 2 cm.
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Figure B.3: Evaluation of the diffusion limiting layer for glucose sensing
(A,B) Schematic of the glucose sensor based on Au/PB-NiHCF (A) and its corresponding
amperometric response ranging from 0 to 20 mM (B). (C,D) Schematic of the glucose
sensor modified with a polyurethane (PU) diffusion limiting layer (C) and its corresponding
amperometric response to 0-20 mM glucose (D).
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Figure B.4: Characterization of inkjet-printed AuNPs electrode and evaporated Au
electrode for aptamer-based serotonin sensor
(A-C) SEM images (A), CV characterization under different scan rates (5, 10, 50, 100,
150, 200, 250, 300 mV s-1) in SIF (B), and the corresponding calibration plots of oxidation
current density height at 0.6 V vs. scan rates (C) for inkjet-printed AuNPs electrode. Cdl,
electrochemical double layer capacitance. (D-F), SEM images (D), CV characterization
under different scan rates (5, 10, 50, 100, 150, 200, 250, 300 mV s-1) in SIF (E), and the
corresponding calibration plots of oxidation current density height at 0.6 V vs. scan rates
(F) for evaporated Au electrode. Scale bars, 200 nm.

Figure B.5: The response of the serotonin sensors upon SWV frequencies in SIF
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Figure B.6: Optimization of aptamer concentration for sensor functionalization
(A) DPV voltammograms of the serotonin sensor functionalized with varying concentrations
of serotonin aptamer, incubated at room temperature for 4 hours, and tested in 5 mM
hexacyanoferrate in 0.1 M KCl. (B) CV voltammograms of serotonin sensors functionalized
with varying concentrations of serotonin aptamer, followed by overnight passivation at 4 °C
with 5 mM mercaptohexanol (MCH), and tested in 1× PBS (pH 7.0).

Figure B.7: Optimization of serotonin aptamer incubation time
Calibration plot based on the relative ratiometric signal of serotonin sensors functionalized
with 2.5 µM aptamer, with varied incubation times at room temperature.
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Figure B.8: Optimization of SWV amplitude for the serotonin sensor in SIF
(A-C), SWV voltammograms under 50 mV amplitude (A), 45 mV amplitude (B), and the
corresponding calibration plots based on the relative ratiometric signal (C) for 0-100 µM
serotonin. Error bars represent the s.d. of the mean from three sensors.
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Figure B.9: Optimization of SWV amplitude and frequency for the serotonin sensor
in SIF
(A-C), SWV voltammograms at 35 mV amplitude (A), 40 mV amplitude (B), and 45 mV
amplitude (C) under 10 Hz, 15 Hz, and 20 Hz frequencies with and without 10 µM serotonin.
(D) Relative changes in SWV voltammogram peak currents with 10 µM serotonin. Error
bars represent the s.d. of the mean from three sensors.

Figure B.10: Repeatability and storage stability of the aptamer serotonin sensor
(A) Batch-to-batch variations based on the normalized response (S = I10Hz/I20Hz) of serotonin
sensors from five different batches, tested with 1 µM serotonin in SIF. (B) Storage stability
of the serotonin sensors for detecting 1 µM serotonin in SIF over a 15-day storage period
under cold conditions (4 °C). Error bars represent the s.d. of the mean from three sensors.
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Figure B.11: Evaluation of the Nafion antifouling coating on the serotonin sensor
performance in rat intestinal fluids
The ratiometric signal changes of the serotonin sensors between t = 10 min and t = 0 min in
raw fluid, fluid spiked with 0.1 µM, and fluid spiked with 1 µM serotonin.

Figure B.12: Glucose sensor performances in rabbit intestinal fluid and human fecal
fluid
(A,B) Amperometric response (A) and its corresponding calibration plot (B) for detecting
0-50 mM glucose in rabbit intestinal fluid. (C,D) Amperometric response (C) and its
corresponding calibration plot (D) for detecting 0-50 mM glucose in human fecal fluid.
Error bars represent the s.d. of the mean from three sensors. RIF, real intestinal fluid; FF,
fecal fluid.
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Figure B.13: pH sensor performances in rabbit intestinal fluid and human fecal fluid
(A,B) Potentiometric response (A) and its corresponding calibration plot (B) for pH sensing
in rabbit intestinal fluid, with sequential addition of HCl to adjust the fluid pH. (C,D)
Amperometric response (C) and its corresponding calibration plot (D) with sequential
addition of HCl in human fecal fluid. Error bars represent the s.d. of the mean from three
sensors.
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Figure B.14: Ionic strength sensor performances in rabbit intestinal fluid and human
fecal fluid
(A,B) Impedance response (A) and its corresponding calibration plot (B) for ionic strength
sensing in rabbit intestinal fluid to adjust the fluid ionic strength. (C,D) Impedance response
(C) and its corresponding calibration plot (D) with sequential dilution of the human fecal
fluid followed by the addition of NaCl to adjust the fluid ionic strength.
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Figure B.15: Aptamer serotonin sensor performance in PBS and serum
(A,B) Relative changes in SWV peak current under 10 Hz and 30 Hz (A), and the cor-
responding calibration plot based on the relative ratiometric signal (B) under 0-100 µM
serotonin in 1× PBS (pH 7.4). Error bars represent the s.d. of the mean from three sensors.
(C,D) Relative changes in SWV peak current under 10 Hz and 50 Hz (C), and the corre-
sponding calibration plot based on relative ratiometric signal (D) with 0-100 µM serotonin.
Error bars represent the s.d. of the mean from three sensors.
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Figure B.16: Non-responsive frequencies of the serotonin sensor in various biofluids
(A-D) Relative changes in SWV peak current as a function of SWV frequencies with 0.01-10
µM of serotonin in human fecal fluid (A), serum (B), rat intestinal fluid (IF) (C), and rabbit
IF (D). (E) Summary of the non-responsive frequency of the serotonin sensor in each fluid.
Error bars represent the s.d. of the mean from three sensors.

Figure B.17: Correction of sensor-to-sensor variations of the serotonin sensor
through dual-frequency measurements
(A-C) SWV voltammogram peak currents of three sensors measured at 10 Hz in SIF (A),
serum (B), and rat IF (C) with increasing serotonin levels. (D-F, Ratiometric signals of
three sensors in SIF (D), serum (E), and rat IF (F). S was obtained using peak current under
10 Hz and the non-responsive frequency specific to each fluid.
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Figure B.18: Validation of the aptamer serotonin sensor for intestinal fluid analysis
using ELISA
The red line represents the linear-fit trendline. The Pearson correlation coefficient (r) was
acquired through linear regression (n=40).

Figure B.19: Dependence of the glucose sensor response on pH, ionic strength, and
temperature
(A-C), 3D color maps showing the dependence of the glucose sensor response on varying
pH (A), ionic strength (B), and temperature (C).
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Figure B.20: Dependency of the ionic strength sensor response on temperature
3D color map showing the dependence of the ionic strength sensor response on varying
temperature levels.

Figure B.21: Influence of solution pH on SWV peak potential and current of the
serotonin sensor in SIF
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Figure B.22: Dependence of the serotonin sensor response on pH, ionic strength,
and temperature
(A-C), 3D color maps showing the dependence of the serotonin sensor response on pH (A),
ionic strength (B), and temperature (C).

Figure B.23: Electronic circuit schematic of the ingestible electronic system
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Figure B.24: Time-lapse images of the electronic capsule movements through a
phantom intestine

Scale bar, 2.5 cm.

Figure B.25: Protective cap effects with pH and ionic strength sensors
(A,B) ionic strength (A) and pH (B) sensor responses of PillTrek devices with and without
a protective cap, demonstrating the impact of repeated contact with intestinal tissue.
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Figure B.26: Cytocompatibility of PillTrek
(A) Representative live (green)/dead (red) images of human colorectal adenocarcinoma
HT29 cells after 3-day and 7-day culture with a PillTrek sensor array. Scale bar, 100 µm.
(B) Quantitative analysis of cell viability over a 7-day period of culture with a PillTrek
sensor array. Error bars represent the s.d. of the mean from three measurements.

Figure B.27: Photograph of fasted rat intestine
Scale bar, 1 cm.
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Figure B.28: Photographs of in vivo evaluation of PillTrek in rabbits
(A) Inserted PillTrek in the small intestine. Scale bar, 2 cm. (B) Sutured valley after capsule
insertion. Scale bar, 2 cm. (C) Rabbits under heart rate, respiration, and temperature
monitoring during PillTrek wireless monitoring. Scale bar, 10 cm. (D) X-ray image
exhibiting the location of PillTrek, Scale bar, 2 cm.

Table B.1: Comparison between ingestible biochemical sensors and PillTrek.
Ref. [3], Ref. [4], Ref. [5], Ref. [6], Ref. [7], Ref. [8], Ref. [9], Ref. [10], Ref. [11]
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Table B.2: List of off-the-shelf electronic components used in PillTrek.
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A p p e n d i x C

APPENDIX FOR EPBP NICOTINE SENSOR

Figure C.1: Absorbance spectra of MB-labeled iNicSnFR12 Q368C mutant
Methylene blue has peak absorbance contributions at 𝜆1 = 280 nm and 𝜆3 = 668 nm. The
protein with cpGFP has peak absorbance contributions at 𝜆1 = 280 nm and 𝜆2 = 395 nm.

Figure C.2: Dose-response relation for iNicSnFR12 WT and quad cysteine insertion
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Figure C.3: Electrochemical characterization of iNicSnFR12 WT MB-labeled cys-
teine residues
(A) SWV trace of iNicSnFR12 WT unlabeled and MB labeled cysteines immobilized on
a Ni/NTA/Au electrode in 0.25× PBS, pH 7.0. (B) CV characterization of Ni/NTA/Au
modified with iNicSnFR12 WT unlabeled and MB labeled cysteines in 1× PBS, pH 7.0.

Figure C.4: Dose-response relation for iNicSnFR12 WT with MB-labeled lysines
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Figure C.5: Characterization of C223T GFP cysteine substitution
(A) Cysteine residues (blue) in cpGFP with distances to the center of the chromophore.
C223 is a surface exposed cysteine, whereas C245 is buried within the chromophore. (B)
SWV MB peak current response for iNicSnFR12 WT, Q368C, C223T, and C223T Q368C
in 0.25× PBS, pH 7.0.

Figure C.6: Baseline current response of iNicSnFR12 WT Cys MB on Au with and
without Ni/NTA modification
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Figure C.7: SWV response of iNicSnFR12 Q368C-MB with AuL binding sequence

Figure C.8: Electroactive surface area increases with electrochemical roughening
10,000 cycles of electrochemical roughening of gold disk electrodes results in a 3× increase
of the electroactive surface area as determined by the gold oxide reduction peak area. Dashed
lines represent s.d. of mean (n = 8).
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Figure C.9: Chromatogram of cholinergic interferents
Chromatogram of LC-MS standards: 0.5 µM acetylcholine, 5 µM choline, 20 µM carbachol,
20 µM pilocarpine, 0.5 µM nicotine, 0.5 µM cotinine.

Figure C.10: LC-MS calibration
Calibration plots for (A) aceytlcholine, (B) choline, (C) nicotine, (D) cotinine, (E) carbachol,
and (F) pilocarpine standards.
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Figure C.11: Quality control of LC-MS standards
Nicotine and cotinine are the most stable analytes throughout testing due to the presence of
their paired internal standards, nicotine-D4 and cotinine-D3, respectively.

Figure C.12: Pharmacokinetic simulation of blood nicotine levels in light and heavy
smokers
A light smoker (black) is modeled who smokes light cigarettes (0.6 mg nicotine), 1 cigarette
per smoking session every 2 h, and smokes 6 cigarettes daily. A heavy smoker (red) is
modeled who smokes standard cigarettes (1.0 mg nicotine), 2 cigarettes per smoking session
every 50 min, and smokes 28 cigarettes daily. Distribution and elimination parameters (kel
= 0.08 hr-1, kf = 0.12 hr-1, kr = 0.02 hr-1, Vd = 200 L) and drug receptor parameters
(Activation = 1000 nM, Chaperoning = 36 nM) were held constant. Generated using
http://inside-out.caltech.edu:9988/webapps/home/session.html?app=NicotineApp. [6]
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Figure C.13: Dose-response relation of iNicSnFR12 to cholinergic drugs, pilo-
carpine and carbachol, in 3× PBS, pH 7.0, raw fluorescence

Figure C.14: Nicotine dose-response relation of iNicSnFR12 in 0.5× exercise sweat,
raw fluorescence

1:1 mix of exercise sweat and nicotine solution in 3× PBS, pH 7.0.
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