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Preface

Along with the development of smartphones, the market for wearable devices has
expanded rapidly since around 2010. In particular, the largest area of use for wear-
able devices is human sensing in the medical, healthcare, and welfare fields. To date,
various sensor elements (temperature, acceleration, gyro, pressure, etc.) have been
implemented in wearable devices, and in combination with IoT and Al technolo-
gies, a huge amount of human physical information (i.e. heartbeat, pulse wave, and
activity level) can be measured in real time. The sensing technology has affected
beyond diagnosis and health management to the point where it has led to changes
in human behavior patterns. Of course, in the medical field, biological and chemical
information contained in body fluids such as blood and urine is extremely important
for diagnosis and testing (it accounts for over 80% of important items in medical
checkups). Currently, it is not easy to measure the bio/chemical information non-
invasively. However, there is no doubt that bio/chemical sensing will become a major
medical and social need for wearable measurements in the future, and such wear-
able biomedical devices will be needed. In addition, the development of wearable
biosensing requires not only sensor technology but also various related technologies
such as materials, device production, mobile energy supply (wireless power supply,
kinetic and bio/chemical power generation), and methods for identifying body parts
suitable for wearable measurement etc.

This book contains the following parts and chapters on wearable biomedical
sensors and their assistive technologies for promoting behavior change in medical
and health care. The first part reviews several wearable biomedical sensors based on
biocompatible materials and nano and MEMS technologies in the medical and dental
fields (soft contact lens biosensors, smart textile wears, transdermal gas-sensing, cuff-
less blood pressure monitoring, mouthguard sensors, etc.). The second part introduces
the latest approaches to wearable biosensing using unique devices (microneedle,
suture and thread, and headphone) for various skin targets such as sweat, intersti-
tial fluid, and transcutaneous gases. The third part presents technologies supporting
wearable sensors, including soft and flexible materials, manufacturing methods,
skin volatile-marker imaging, and energy harvesting devices (bio-fuel cells, wireless
power transfer, energy collection by chewing force, etc.).



vi Preface

This book is contributed to graduate students, academic researchers, and profes-
sors who work in the field of medical and environmental research, and for industry
professionals involved in the development of wearable and medical devices and
biosensing systems for human bio/chemical measurement, medical monitoring, and
healthcare services with the Internet technologies. We would like to sincerely express
our appreciation to the distinguished authors of the chapters whose expertise has
certainly contributed significantly to the book. We hope that this book can shed light
on various technological aspects-related wearable biosensing and related applications
for the healthcare context and stimulate further research in this field.

Tokyo, Japan Kohji Mitsubayashi
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Takahiro Arakawa, Kenta litani, Koji Toma, and Kohji Mitsubayashi

1 Introduction

Non-invasive measurement of human body has been extensively investigated and
advanced in the fields of medical and healthcare. Wearable sensors have emerged
as promising tools for monitoring relevant parameters related to health care, sports,
and medical applications, resulting in their widespread development and commer-
cialization globally [1-5]. Most of the existing commercialized wearable devices
primarily focus on measuring and assessing physical parameters. The investiga-
tion of non-invasive measurement of chemical substances from the human body has
been comparatively limited, yet it plays a crucial role in obtaining comprehensive
biological information in the fields of medicine and healthcare. The development
of non-invasive biosensing techniques could significantly impact the management
of patients with lifestyle diseases. For instance, self-monitoring of blood glucose
(SMBGQG) traditionally involves invasive finger-prick testing using a blood glucose
meter for diabetic patients [6]. However, this approach often leads to compliance
issues due to its unpleasantness, pain, risk of infection, and potential anxiety or fear
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it induces. Furthermore, finger-prick testing provides only a single measurement,
limiting the ability to capture short-term fluctuations and immediate effects of inter-
ventions. Continuous glucose monitoring addresses these limitations by providing
real-time monitoring, enabling better glycemic control, and alerting patients to hyper-
or hypo-glycemia through alarms. Nevertheless, many commercial devices remain
invasive and may only serve as adjuncts to finger-prick testing. The Freestyle Libre,
developed by Abbott in the U.S., represents a notable advancement in continuous
measurement of glucose concentration in the intercellular fluid, alleviating the burden
on individuals with diabetes [6, 7].

The bio/chemical samples excreted from the human body encompass not only
urine and feces, but also sweat, exhaled breath, saliva, nasal secretion, body odor, and
tears. While urine and feces have been extensively utilized in clinical settings; they
do not yield comprehensive biochemical information for routine health care. Human
secretions carry valuable insights into the health and well-being of an individual, and
developing non-invasive techniques for the extraction of this information represents
a significant goal in the field of diagnosis and health care monitoring. In this regard,
wearable sensors hold immense potential for evaluating chemical and biochemical
markers relevant to health care or fitness [8—12].

Since the 1990s, researchers have also focused on human body cavities. The
human body has several cavities, including cavitas oris (oral cavity), cavitas
pharyngis (pharyngeal cavity), saccus lacrimalis (tear sac), cavitas nasi (nasal
cavity), cavitas abdominalis (abdominal cavity), cavitas infraglotticum (infraglottic
cavity), cavitas larynges (laryngeal cavity), cavitas oris propria (oral cavity proper),
cavitas peritonealis (peritoneal cavity), cavitas thoracis (thoracic cavity), and cavitas
tympanica (tympanic cavity). The term cavitas originates from the Latin word “cav-
ity”. Researchers have developed many sensor devices to apply to human cavities
(cavitas oris, cavitas pharyngis, conjunctival sac) for non-invasive monitoring of
biomedical information in the permanent body fluid in the human cavities. The
research group of Prof. Mitsubayashi called these sensors “Cavitas sensors,” a new
category of detachable medical sensors between ‘“Implantable” and “Wearable”
(Fig. 1). While the implantable sensor is a medical device applied via surgery (non-
detachable by human subjects), the wearable sensor is a detachable device applied
by subjects themselves but not adequate for collecting significant medical informa-
tion. In recent years, many cavitas sensors have been developed and commercial-
ized worldwide [13—-17]. The authors believe that new awareness of daily medicine
(healthcare, presymptomatic test and preventive medicine) with cavitas and wearable
sensors is necessary to improve the quality of life regarding the aging of society and
rapid changes in living environments. In this chapter, we present the concept and
future prospect of “cavitas sensors” in the form of contact lens-type biosensors in
the orbital cavity, as well as mouthguard (MG)-type biosensors in the oral cavity.
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Fig.1 Conceptual image of detachable “cavitas sensors” for non-invasive monitoring in human
body cavities

2 Contact Lens Sensors in the Orbital Cavity

2.1 Tear Fluid

The pre-corneal and conjunctival tear film constitutes an interface between the ocular
tissues and the air (refer to Fig. 2). The lacrimal secretory system is comprised of two
main components: the larger orbital and smaller palpebral portions of the lacrimal
gland, which together account for approximately 95% of the aqueous component
of tears, and the accessory lacrimal glands of Krause and Wolfring, situated in the
conjunctival stroma [18]. Tears serve several important functions, including lubrica-
tion of the eyelids, formation of a smooth and even layer over the irregular corneal
surface, and provision of antibacterial systems for the ocular surface and nutrients
for the corneal epithelium [19].

The lacrimal glands receive innervation from parasympathetic fibers carried in
the lacrimal nerve, a branch of the ophthalmic nerve. Excessive lacrimation can be
triggered by abnormal stimuli to the cornea or conjunctiva, as well as by sneezing,
coughing, and psychic stimuli. Tears have a specific gravity of 1.01 g/mL, and their pH
is generally around 7.4, although values ranging from 5.2 to 8.3 have been observed,
as alkaline tears are shed in response to corneal injuries [20]. The electrolyte compo-
sition of tears is primarily composed of Na* and CI~, although significant levels
of K* may also be present (Na*: 120-165 mmol/L; K*: 20-42 mmol/L; C1~: 118-
135 mmol/L) [21]. The three main tear proteins are lysozyme, lactoferrin, and tear-
specific pre-albumin. Comparison with serum levels reveals similar concentrations
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Fig. 2 Schematic image of glands responsible for tear production surrounding the eye when eyelids
are closed

for Na*, C1-, HCO5;~ (20—42 mmol/L), Mg2+ (0.5-0.9 mmol/L), and urea. However,
other electrolytes are present at markedly different levels in tears compared to serum:
K* and lactate (2-5 mmol/L) are higher, while Ca** (0.4-1.1 mmol/L), glucose
(0.1-0.60 mmol/L), and protein (5-9 mg/mL) are lower in tears [18].

Tear fluid, which serves as a vital specimen for chemical analysis, is conven-
tionally collected using either filter paper or glass capillary pipettes. The collected
samples are typically pooled and subsequently analyzed using diverse techniques.
Nevertheless, it is widely acknowledged that obtaining precise estimations of the
chemical composition or physical properties of the tear fluid is challenging due to
various factors, including the small sample size, evaporation during collection, wide
inter-individual variability, diurnal variations, and notably, the method of collection.
The eye site encompassing the tear and conjunctival sac plays a crucial role in moni-
toring physiological chemicals and blood gases in relation to health conditions and
disease states. To overcome the challenges associated with conventional tear collec-
tion methods, an eye-cavity sensor placed at the conjunctival sac could potentially
be applied directly on the surface of the cornea, which is the most sensitive organ,
for monitoring tear analytes without encountering the problems.

2.2 Eyelid Transcutaneous Gas Sensor

A transcutaneous oxygen sensor has been employed for monitoring arterial oxygen
pressure in premature infants to prevent retinopathy of prematurity in neonatal inten-
sive care units [22]. However, commercially available sensors with rigid cylindrical
cells affixed to the infant’s skin using adhesive plaster often cause skin rashes and
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discomfort. Hence, there is a need for a new oxygen sensor that offers good flex-
ibility and wearability, akin to a clinical wet-pack, for comfortable transcutaneous
monitoring.

The conjunctiva, which exhibits high gas permeability and supplies oxygen to
the cornea, has been considered as a potential site for oxygen monitoring using
a conjunctival oxygen sensor that eliminates the need for heating. Isenberg et al.
conducted a pilot study in 2002, evaluating a conjunctival oxygen monitor on 10
newborn subjects, and found a significant correlation coefficient between conjunc-
tival oxygen tension and pulse oximetry (p < 0.001) [23]. However, the size of the
sensor used in their study was not suitable for general application due to its large
dimensions.

To address this limitation, a thinner and flexible oxygen sensor, developed as
a Soft-MEMS (microelectromechanical system) device, was designed for transcu-
taneous oxygen tension monitoring from the conjunctiva [24-26]. The wearable
oxygen sensor with a membrane structure was constructed by encapsulating KCl elec-
trolyte solution with non-permeable and gas-permeable membranes, and patterning
Pt and Ag/AgCl electrodes using photolithography and sputtering methods. The
dimensions of the wearable oxygen sensor were 3 mm in width and 84 pm in thick-
ness. The electrochemical measurement was conducted at a fixed potential of —
550 mV versus Ag/AgCl, yielding a calibration range for dissolved oxygen from
0.01 to 8.0 mg/L. The sensor was also evaluated in the gas phase by purging with
10% oxygen gas, and the response time to reach 90% of the steady current after
purging was approximately 45 s. The sensor outputs and responses remained stable
during repeated measurements, with a coefficient of variance of 3.66%. As a physio-
logical application, the wearable sensor was placed on the conjunctiva of a Japanese
white rabbit without thermoregulation. In an experiment, the rabbit inhaled stan-
dard air (20.9%) and high concentration oxygen (60 and 90%) (Fig. 3). The sensor
output increased and decreased synchronously with inhalation of high concentration
oxygen and standard air, respectively, suggesting that the sensor could serve as a
novel transcutaneous oxygen sensor.

2.3 Soft Contact Lens (SCL) Biosensors for Tear Chemicals

Continuous glucose monitoring typically does not directly measure blood glucose,
but instead relies on measuring glucose concentration in other biological fluids. In
the context of continuous monitoring, relationships between general physiological
conditions and the constituents of biological fluids such as tears, mucus, sweat, and
saliva have been reported. For example, a correlation between glucose concentration
in tears and blood glucose has been reported [20], with tear glucose levels showing
a delay of approximately 5 min compared to blood glucose levels. In addition, flex-
ible electrochemical conductimetric sensors and oxygen sensors for bioinstrumen-
tation on the ocular surface have been reported in previous works [27]. In 1995, a
flexible glucose sensor was developed by immobilizing GOD within a gold-coated,
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Fig. 3 aIllustration depicting the attachment of the wearable oxygen sensor to the eyelid conjunc-
tiva and a cross-section of the attached sensor. b Typical response of the flexible sensor for transcu-
taneous oxygen monitoring (inhaled O, concentrations: 20.9%, 60%, 90%) at the conjunctiva of a
rabbit [24]. (Permission of Sensors and Actuators B: Chemical)

hydrophilic polytetrafluoroethylene membrane without the use of harmful substances
in a simple fabrication process [28]. The sensor was calibrated against glucose solu-
tions ranging from 6.7 to 662 mg/L, including tear glucose levels. Non-uniform
deposition of the gold layer using a mesh mask was found to be more effective in
immobilizing the enzyme within the PVA-SbQ (Polyvinyl alcohol bearing styrylpyri-
dinium group) matrix, resulting in a device with high current output and excellent
calibration characteristics. Ethanol sterilization had a negligible effect on the output
current and is therefore a suitable method for use in tear glucose sensing applications.

As part of the physiological study, a tear glucose sensor was constructed for on-
site monitoring of tear glucose at the ocular surface [29, 30]. The glucose sensor
is constructed by immobilizing GOD onto a flexible hydrogen peroxide electrode,
consisting of a Pt working electrode and Ag/AgCl counter/reference electrode, fabri-
cated using ion beam sputtering technique on these functional polymers. The sensor
exhibits unprecedented flexibility and stretchability, enabling it to function normally
even when stretched to 120% of its original length. Subsequently, GOD is immo-
bilized onto the surface of the sensor using the 2-methacryloyloxyethyl phosphoryl
choline (MPC) polymer (Fig. 5). The salient feature of the biosensor lies in the utiliza-
tion of flexible and biocompatible polymers for all structural components. Notably,
the sensing region employs a phospholipid polymer known as MPC polymer, which
mimics the molecular configuration of a cell membrane. This unique configuration
is achieved through the application of polymer chemistry techniques [31, 32]. By
employing such a polymer as the contacting component at the measurement site, a
biocompatible sensor with superior properties can be realized. The novel biosensor
employs hydrophobic polydimethyl siloxane (PDMS) and hydrophilic MPC copoly-
merized with dodecyl methacrylate (DMA) to capitalize on the physical and chemical
functionalities of these materials.
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To pursue a physiological approach, a soft contact lens (CL) biosensor for in situ
monitoring of tear glucose was fabricated using the biocompatible PMEH polymer
in combination with PDMS [33]. The CL biosensor was designed specifically for
in situ monitoring of tear glucose levels. PDMS was used as the material for the
body of the sensor. The soft PDMS contact lens (with a base curve radius of 8.6)
was preliminarily tested using a wired line in a preclinical experiment. The ultra-
soft CL sensor exhibited excellent flexibility and soft characteristics, comparable
to commercially available lenses. This device maintained its electrical performance
without experiencing electrical breakdown even after mechanical bending. The soft
CL biosensor demonstrated a robust linear relationship between the output current
and glucose concentration within the range of 0.03—5.0 mmol/L, with a high corre-
lation coefficient of 0.999 [29, 30]. In vivo testing of the CL biosensor in rabbits for
tear glucose monitoring showed successful real-time measurements of tear glucose
concentration, which was approximately one-tenth of the blood glucose concentra-
tion. Basal tear glucose was estimated to be 0.11 mmol/L. Furthermore, changes in
tear glucose induced by alterations in blood sugar levels were assessed using an oral
glucose tolerance test (OGTT), revealing a time delay of 10 min between tear glucose
and blood glucose levels (Fig. 4). These results highlight the significant relationship
between tear glucose and blood glucose levels with temporal dynamics, providing
detailed insights into tear glucose dynamics using the CL biosensor. These findings
indicate the utility of the SCL biosensor for advanced biomonitoring of the eye.
Given the flexibility and versatility of PDMS, the CL biosensor can be optimized for
application to various surfaces and cavitas of the human body.

3 Biosensors in an Oral Cavity

3.1 Human Salivary Fluids: An Overview of Composition
and Potential Applications

Analytes present in saliva mainly come from capillaries that supply blood to the sali-
vary glands. These capillaries pass through the interstitial fluid (ISF) before reaching
the glands. According to these results, it is believed that certain components of the
blood are present in saliva. Although there are numerous small glands distributed
over the buccal mucosa, saliva is primarily secreted by the parotid, submaxillary, and
sublingual glands. Parotid saliva is non-viscous, while sublingual and submaxillary
saliva are viscous due to their mucoprotein content. In general, saliva comprises
a diverse array of compositions, including amino acids, ions, proteins, sugars,
nucleotides, microorganisms, and more. Saliva is a complex biofluid that contains
numerous constituents that permeate from blood through transcellular or paracel-
lular pathways. Saliva has garnered significant attention from researchers for the
development of portable in vitro salivary diagnostic tools [34, 35]. Saliva serves as
a promising diagnostic fluid that offers an alternative to direct blood analysis, as it
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Fig. 4 a Photographs of SCL biosensor showing the flexibility not only lens but also coated elec-
trodes. b Tear glucose monitoring using the CL biosensor on eye site. A stable output current was
observed and the mean output current value was 0.042 pA. ¢ OGTT Comparison experiments
between tear glucose by CL biosensor and blood one by a commercially available test-kit. Upper
right: Stable tear glucose monitoring using CL biosensor on eye site (estimated to 0.11 mmol/L).
d Temporal changes both in tear and blood glucose[30]. (Permission of Talanta)

allows for the permeation of blood constituents without the need for skin piercing
during blood sampling.

3.2 pH Sensing

Continuous monitoring of salivary pH holds immense potential for maintaining
optimal oral health by preventing tooth enamel degradation, detecting gastroe-
sophageal reflux disease, and monitoring drug activity, as saliva pH can impact
drug efficacy in certain cases [36, 37]. Zuliani et al. demonstrated the development
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b Reagent layer of the Prussian-Blue carbon working electrode containing uricase for the salivary
uric acid biosensor. ¢ Photograph of the wireless amperometric circuit board: front (left) and back
(right) [43]. (Permission of Biosensors and Bioelectronics)

of a potentiometric strip utilizing a planar screen printed substrate for direct pH
measurement in saliva samples [38]. The potentiometric strip comprises of a solid
contact pH-selective electrode and a solid-contact ion gel reference electrode, both
prepared on a dual screen-printed substrate. The pH of real saliva samples was accu-
rately monitored using the optimized potentiometric strip. Ratanaporncharoen et al.
developed the preparation and application of Ir/IrOx pH sensors, which are used to
measure the surface pH of dental caries [39]. After visually examining and catego-
rizing 18 extracted dentinal caries in different locations as either active or arrested
caries, the surface pH values of both sound and carious areas were directly measured
using an Ir/IrO4 pH sensor, which had a diameter of 300 wm and functioned like a
dental explorer. Thus, miniaturized pH sensors have also been developed, and studies
are being conducted to mount these sensors in the oral cavity. Monitoring the pH
in teeth and saliva is expected to contribute to the early diagnosis of caries and oral
diseases.

3.3 MG Biosensor for Monitoring of Saliva Uric Acid

Salivary uric acid (UA) serves as a bio-indicator for various diseases, including
hyperuricemia, gout, Lesch—-Nyhan syndrome, and renal syndrome [40]. Notably,
elevated levels of UA are associated with an increased risk of type 2 diabetes, as
well as its severity and complications. UA can also function as an indicator of phys-
ical stress-induced reactive oxygen species, acting as a scavenger of free radicals.
Unlike blood UA measurements, which require invasive blood collection, salivary UA
measurements can be conducted non-invasively and in real-time. Shibasaki et al. and
Soukup et al. have established a significant correlation between UA levels in blood
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and saliva, demonstrating that this metabolite can be monitored in saliva without the
need for blood sampling [41, 42]. Kim et al. have demonstrated a wearable salivary
UA sensor utilizing a MG platform [43]. The MG platform integrates an enzyme
(uricase)-modified screen-printed electrode system, along with anatomically minia-
turized instrumentation electronics comprising a potentiostat, microcontroller, and a
Bluetooth Low Energy (BLE) chipset (Fig. 5). The adoption of a BLE chipset enables
wireless connectivity to various BLE-enabled devices, such as smartwatches, smart-
phones, tablets, portable media players, laptops, and others. Two watch batteries
(1.55 V, 33 mAh each) connected in series serve as the power source for the MG.
The biosensor system integrated into the MG exhibits high sensitivity, selectivity, and
stability for UA detection in human saliva, covering concentration ranges for both
healthy individuals and hyperuricemia patients. The wireless MG biosensor system
has been reported to provide real-time monitoring of saliva UA levels.

3.4 MG Biosensor for Monitoring of Saliva Glucose

We present the development of “Cavitas sensors” for non-invasive monitoring of
salivary glucose in the human oral cavity [13, 44]. Salivary glucose concentrations,
which closely correlate with circadian fluctuations in blood glucose levels, typically
range from approximately 20 to 200 wmol/L in normal and diabetic individuals [45],
offering promising prospects for non-invasive glucose monitoring. Several studies
have demonstrated reasonable correlation between salivary and blood glucose levels
in different individuals [46, 47]. Particularly, a stronger correlation has been observed
within the same individual, enabling estimation of blood glucose concentrations
based on salivary glucose measurements.

Prof. Mitsubayashi’s group reported the successful measurement of salivary
glucose using a developed MG glucose sensor without the need for pretreatment of
human saliva [44]. Salivary glucose, as a non-invasive monitoring target, has demon-
strated correlation with blood glucose levels, holding promise for clinical applica-
tions. However, the accuracy of glucose measurement in saliva can be affected by
interfering components, such as ascorbic acid (AA) and UA. To address this chal-
lenge, we have developed a strategy to coat the electrodes with cellulose acetate
(CA) in order to investigate its interference-rejection properties. Moreover, we have
conducted a comprehensive assessment of the effects of AA and UA on the measure-
ment of hydrogen peroxide, a reaction product of GOD, to thoroughly evaluate the
performance of the sensor.

Polyethylene terephthalate glycol (PETG) from Erkodent Erich Kopp GmbH was
selected as the material for the supporting structure of the MG glucose sensor. PETG,
along with the Pt and Ag electrodes, was chosen due to its biocompatibility and
safety for human use. The working electrode and counter/reference electrode of the
glucose sensor were fabricated by coating Pt and Ag electrodes with a thickness
of 200 nm and 300 nm, respectively, using a parallel-plate sputtering machine. For
the immobilization of GOD, a high-performance biocompatible copolymer, poly
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(MPC-co-EHMA-co-MBP) (PMEHB), known for its excellent biocompatibility and
mechanical strength, was used. GOD was mixed with a solution of PMEHB (5 wt%
in ethanol), and the enzyme solution was applied onto the Pt electrode coated with a
contaminant-suppression membrane. Subsequently, GOD was immobilized compre-
hensively through UV irradiation-induced crosslinking. The fabrication process of
the MG glucose sensor involved the production of a dental cast, vacuum forming of
the PETG MG support, electrode sensor fabrication on the MG support, installation
of a wireless transmitter, and packaging (Fig. 6).

We aimed to suppress the interference of contamination components, such as UA
and AA, in saliva during glucose measurement using a MG biosensor. To achieve this,
we coated the sensitive electrode area with a polymeric material, cellulose acetate
(CA), as a contamination suppression membrane. The effect of the CA membrane
was compared, and the concentration of CA was optimized. The glucose sensor
exhibited high selectivity for glucose, utilizing the substrate specificity of the GOD
enzyme. Subsequently, the developed MG biosensor was installed in the oral cavity to
measure saliva glucose levels in vivo. During in vivo measurements, the current value
stabilized in pure water before being placed in the subject’s mouth to observe the
output signal. The output current rapidly increased to around 30 nA upon installation
in the oral cavity and then gradually decreased over time, eventually stabilizing at
around 20 min. Importantly, no significant disturbance in the output current due
to the MG device was observed. By calculating the difference between the steady
value in deionized water and the stable value after wearing as the sensor output, we
estimated the glucose concentration in saliva in the oral cavity to be 21.1 pmol/L
using the calibration curve for artificial saliva. This estimation was consistent with
the glucose concentration obtained from the saliva sample collected before wearing,
as determined by a glucose measurement kit and spectrophotometer, which showed
a concentration of 17.6 wmol/L. The results obtained using the MG sensor in the
oral cavity were in good agreement with the experimental results from the glucose
measurement Kit.

4 Summary

The human secretions, such as tears, saliva, sweat, and body gases, contain valuable
information about an individual’s health and well-being. Extracting this information
through non-invasive diagnostic techniques is a crucial goal in medical research.
Among various body cavities, the use of “cavitas sensors,” such as CL-type and
MG-type devices, represents a new category of detachable devices for daily medical
monitoring that are neither implantable nor wearable. In the future, a wide range
of cavitas sensors are expected to be developed and commercialized to address the
healthcare needs of an aging global population. To ensure the safe and effective
fabrication of cavitas sensors, it is essential to use non-toxic and harmless chemicals,
materials, and techniques, and to carefully select materials suitable for human body
sites, considering factors such as flexibility for skin and mucosa, as well as rigidity for
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Fig. 6 a Photograph of the fabricated MG sensor integrated with a wireless module and battery.
Wearing of the MG sensor. b Quantitative characteristics of glucose sensor in phosphate buffer and
artificial saliva. ¢ Portable wireless measurement system using Android devices. d Comparison of
the output of each component and noise ratio against CA concentration (hydrogen peroxide, AA,
and UA). Changes in CA (5%, w/w) coating electrode changes over time when each component
was loaded (lower left). (e) Output current response when MG biosensor was installed and mounted
in the human oral cavity [44]. (Permission of Analytical Chemistry)

tooth and bone applications. The authors firmly believe that incorporating cavitas and
wearable sensors into daily medical practice, including healthcare, pre-symptomatic,
and preventive medicine, is imperative to enhance the quality of life in the context
of aging societies and changing living environments.
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Wearable sensors are playing an increasingly important role in our health and disease
management. Developments in this technology allow us to monitor our bodies more
closely, enabling us to take early detection and preventive measures. In recent years,
with the proliferation of wearable devices, more and more people are wearing body
surface sensors. These devices allow us to obtain real-time health information such as
heart rate, number of steps taken, and calories burned. The latest research shows that
this technology can be used to collect even more information relevant to our health
and lives. For example, body surface sensors can measure respiration rates, skin
temperature, sleep quality, muscle activity, and more. Such information can be very
useful to health care professionals and may be used to monitor a patient’s condition.
They can also provide the general public with a more detailed understanding of their
own health status and provide useful information for self-improvement. In addition,
wearable sensors are suitable for monitoring in hospitals and at home. In hospitals,
wearable sensors can reduce the burden on nurses and doctors and provide real-time
information on patient conditions, potentially leading to lower healthcare costs. At
home, they are expected to assist the elderly and chronically ill in leading better
lives. However, body surface sensors have several problems. There are limitations
in the accuracy and precision of the sensors. To address these issues, the design and
manufacture of sensors requires a high degree of sophistication and requires precise
calibration and inspection.
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Recent technological innovations not only enable the use of sensors in medical
settings, but also new medical services such as home health care and telehealth.
These services enable early detection of illness and disease and real-time monitoring
of patient health status. For example, in home healthcare for the elderly, regular
monitoring of vital signs such as body temperature, heart rate, and blood pres-
sure enables urgent medical treatment. Protection of personal information is also
an important issue in home healthcare. The data generated by body surface sensors
can be very personally identifiable, such as personal health information and behavior
patterns. Therefore, appropriate systems and legal regulations are needed to handle
such data securely while ensuring the protection of personal information. In addition,
the volume of data generated by these new technologies and services is enormous,
making analysis and management of such data extremely difficult using conventional
methods. For this reason, new technologies such as data analysis and artificial intel-
ligence are also attracting attention. These technologies may lead to the provision
of new medical services, such as early detection of diseases and development of
treatments, by analyzing large amounts of data.

As described above, body surface sensors have sufficient potential to play an
important role in medicine. It is expected that the development of more advanced
sensor technology and data analysis technology will lead to higher quality medical
services in the future. In addition, miniaturization and cost reduction of sensors may
make them accessible not only to the medical community but also to the general
public on a daily basis. Furthermore, more advanced medical sensor technologies
are developing, including not only body surface sensors but also internal sensors and
biometric sensors.

The history of modern medical measurement can be traced back to the 1800s,
when thermometers, stethoscopes, and sphygmomanometers were invented to quan-
titatively measure body information for the diagnosis and treatment of diseases.
1900s saw a major development in electrical engineering and medical sensors. The
successful electrical measurement of heart and muscle activity, particularly electro-
cardiography, became widely used as an indispensable test for the diagnosis and
treatment of heart disease. In the 1950s, semiconductors were used to create more
advanced medical sensors. Ultrasonography was invented to obtain images of internal
organs and tissues in a noninvasive manner. Computed tomography (CT scan) was
invented to obtain three-dimensional internal images. Magnetic resonance imaging
(MRI) was invented to obtain high-resolution images of internal organs and tissues.
Thus, in medicine, treatment and measurement are interrelated, and the process of
treatment has become more effective as the necessary measurements are made in the
process of treatment and the treatment is modified based on the measurement results,
a process that is repeated. Therefore, in the medical field, it is hoped that advances
in measurement technology will lead to improvements in treatment methods.

In Japan and many other countries, the aging of the population is making home
health monitoring increasingly important relative to treatment at medical institutions.
In Japan, the percentage of the elderly aged 65 and over has already exceeded 30%
by 2020. Predictions also estimate that it will exceed 40% by 2050. In such an
aging society, it is important to monitor the health of healthy people with wearable
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sensors, rather than dealing with diseases after they are detected. The measurement
items required and the acceptable wearing comfort are different between a sensor
worn by a patient in a hospital for treatment and a sensor worn by a healthy person
all the time. We will discuss these issues in this chapter, citing actual examples.

The technology has been applied to the driving circuits of artificial hearts and
medical devices, and all kinds of devices have been miniaturized year by year. These
devices are made of inorganic semiconductor materials such as silicon, which excel
in high density packing of sensors and actuators, and portable and wearable devices
have begun to be developed and many devices are benefiting from microfabrication
technologies. On the other hand, high-density circuits are hard and inflexible, so
while there is no major impact when used outside the body, they are not suitable for
use in the softness of the body. In the next generation of medical sensing, non-invasive
and highly accurate measurements are required.

The harmony required between the sensor and the wearer includes many factors
such as heat reduction and biocompatibility, but this chapter discusses the physical
affinity between the device and the living body. We will introduce research trends
and future prospects related to the medical field, focusing on soft organic thin-film
electronics technology.

1 Hardware: Flexible Sensors with Organic Materials

Organic materials are basically softer than inorganic materials and maintain excel-
lent bending properties. Organic polymeric composite materials such as graphene and
carbon nanotubes, which are composed of carbon, have attracted particular attention
because of their abundant resources and easy fabrication process. Already, electro-
luminescent (OLED) displays [1] and thin-film transistor electronics [2] , which
can be bent at the product level, have appeared [3-9]. New applications for elec-
tronics using organic materials are expected to take advantage of their softness and
lightness. The softness of electronics used in living organisms, which are mainly
composed of organic materials, can be a great advantage. We have successfully
fabricated high-performance organic transistors using an insulating film and a low-
molecular-weight organic semiconductor as the channel layer on a plastic substrate
[10]. Excellent bending characteristics have been achieved by providing an interme-
diate layer structure that mitigates distortion during bending. The bending radius is
less than 10 pwm, and the transistor does not break even when folded, dropped, or
crumpled, and it has been subjected to repeated bending tests and has been tested for
over 100,000 times [11]. Thinness and bendability are major advantages for medical
devices, and if the device is softer than the living body when applied in vivo, it is less
likely to cause separation of the device from the living body, thereby greatly reducing
the risk of infection and inflammation. Figure 1 shows a highly durable electronic
circuit that is light, thin, flexible, and adheres closely to curved and pulsating surfaces
[12]. The world’s lightest (3 g/m?) and thinnest (2 m) high-performance organic
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transistor integrated circuit was fabricated on a 1.2 pm-thick polyethylene terephtha-
late substrate, successfully creating an ultra-flexible and highly durable circuit. The
device is one-fifth the thinness of plastic wrap and one-fifth the lightness of standard
office paper. Integrated circuit sensors of organic transistors are configured on the
device, with one cell of each element measuring 4 mm? and 144 cells mounted on an
active area of 48 x 48 mm?. This flexible sensor system can be affixed to free-form
surfaces such as human skin and organs, and no degradation in electrical properties
was observed after the devices were immersed in saline solution for more than two
weeks.

In addition to transistors, many other flexible devices have been developed, and
besides discrete devices such as resistors and capacitors, pressure sensors and temper-
ature sensors can also be configured. Figure 2 shows an example of a high-brightness
(100 cd/m?) red light-emitting polymer organic LED (OLED) that can be applied
to sensors for biometric measurement. Like the transistor, this OLED is very thin
(2 wm), extremely lightweight (4 g/m?), flexible, and does not break even when bent
while energized, demonstrating high durability [13].

Flexibility and Stretchability

In addition to being flexible, it is also important for sensor devices applied to living
bodies to have some degree of elasticity. In order to attach sensors to organs with
volume changes such as the heart, lungs, and bladder, or to joints such as knees and
elbows that extend due to bending, elasticity as well as flexibility is an essential
component. Figure 3 shows an example of organic electronics with elasticity [13].
This is an organic LED that is more than twice as stretchable and was fabricated by
applying the aforementioned thin-film OLED. When the ultra-thin, highly flexible
OLED is attached to stretched rubber and the tension applied to the rubber is released,
the OLED forms a wavy structure on the rubber surface and becomes stretchable
(Fig. 4) [14]. This is a principle that is impossible with thicker devices, and the
thin film and high mechanical durability of the OLED are what made it possible

Fig. 1 Organic electronic circuits that are light, thin, flexible, and capable of sensing with high
sensitivity by adhering closely to curved surfaces and the expanding and contracting human body

[10]
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Fig. 2 Thin-film flexible organic LEDs with high durability and unbreakable even when flexed
[13]

to create such a stretchable device. Although stretchable devices have existed in
previous research, they were mainly based on a mechanism in which only the wiring
expands or contracts, and there were no devices in which the functional surface of
the device (in the case of LEDs, the light-emitting surface) itself changes area. This
technology can be applied to a variety of applications. Since this OLED has the
flexibility to withstand bending at the elbow and hand joints, LEDs can be attached
to clothing to show various designs, advertisements, and safety signs on the garment.
Similarly, since it has the same elongation and flexibility as human skin, it can be
applied to artificial skin and smart adhesive plasters. In the future, it is expected
to create lights and displays that are so inexpensive that they can be purchased by
the roll, allowing them to display any message they wish in the event of a traffic
accident or other emergency. In the future, the characteristics and stability of this
sensor device will be improved so that it can be incorporated into more complex
systems and mass-produced.

0% 50 %

Tensile Strain

Fig. 3 OLED with extendable and retractable emitting surface [13]
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Fig. 4 Fabrication process of stretch OLEDs, which are fabricated by combining a thin OLED
with a stretchable substrate, and a magnified image [14]

Figure 5 shows the organic transistor matrix and organic solar cells [4]. The
world’s thinnest and lightest organic solar cell was successfully fabricated using
an ultra-thin polymer film 1.4 pwm thick as a substrate. The energy conversion effi-
ciency of this solar cell was 4.2%, which is comparable to those fabricated on glass
substrates using the same materials, and its electrical and mechanical properties did
not deteriorate even when the device was stretched and shrunk by 300%. Solar cells
using organic semiconductors can be easily fabricated on polymer films and are
expected to simultaneously realize large-area, low-cost, and lightweight solar cells.
However, fabricating organic solar cells with energy conversion efficiency as high
as that on glass substrates on a flexible thin polymer film was difficult, and a solu-
tion was sought. In this research, we developed a process technology to uniformly
form organic semiconductor thin films on ultra-thin polymer films with a thickness
of 1.4 pm, and succeeded in fabricating the world’s thinnest and lightest organic
solar cells on polymer films. Because the cell is fabricated on an ultra-thin film, it
has excellent flexibility, and its electrical and mechanical properties do not dete-
riorate even when stretched by 300%, making it possible to wrap it around a hair
as thin as 35 pwm in diameter. Each gram of this organic solar cell is equivalent to
10 W, the highest power generation per weight of any solar cell. This achievement
is expected to lead to the expansion of new applications of solar cells, such as in
portable information and communication devices, and as a power source for health
care and medical devices that do not feel heavy even when worn.

Durability in Sterilization

Organic materials are considered less sensitive to heat than inorganic materials. In
contrast, the sterilization method most commonly used for medical sterilization is
high-pressure, high-temperature steam sterilization such as autoclave. Although there
is concern about the loss of functionality of organic transistors due to sterilization,
a highly heat-resistant organic transistor that can withstand high-temperature, high-
pressure sterilization at 150 °C, which is well above the basic autoclave temperature
of 121 °C, has now been realized [3]. This transistor was realized by using high
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Fig. 5 Stretchable organic transistor (left) and stretchable organic solar cell (right) [4]

mobility dinaphthothienothiophene (DNTT) as the organic semiconductor and a 4-
nm-thick aluminum oxide film and self-assembled monolayer (SAM) as the gate
insulator.

1.1 Sensors Used on the Body Surface

This section presents research on wearable biosensors useful in medicine and health
care, using various examples. The area of application where wearable sensors are best
suited is the body surface. There are various advantages to placing sensors on the body
surface. The advantages include the ease of mounting and dismounting the sensor,
the fact that the sensor is almost noninvasive, and the fact that the measurement range
is large since the body surface area of an adult is more than 15,000 cm?. Another
advantage of the skin as a measurement site is that the biological information obtained
from the skin is extremely multitemporal. Three types of signals (electrical, phys-
ical, and chemical) can be obtained from the body surface. By obtaining electrical
signals, electroencephalogram (EEG), electrocardiogram (ECG), and electromyo-
gram (EMG) can be obtained. EEG is used to evaluate various medical conditions
such as seizures, epilepsy, dizziness, trauma, brain tumors, and sleep disorders. Elec-
trocardiograms can be used for cardiac and psychiatric disorders, while electromyo-
grams can be used for information applicable to motor control and neurological disor-
ders. Various information can also be obtained from physical signals such as strain,
pressure, temperature, light, and sound. Strain can be used to sense body movement,
heart rate, and respiratory rate; pressure can measure blood pressure, intraocular
pressure, body movement, and postural position; temperature can measure inflam-
mation, infection, and blood flow as well as body temperature; light can measure
pulse wave, blood vessel location, blood pressure, and blood oxygen saturation; and
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sound can measure dysphagia, heart valve disorders, and vocal cord abnormalities.
Sound can be used to detect swallowing disorders, heart valve disorders, vocal cord
abnormalities, and so on. By sensing chemical signals, blood glucose can be detected
to control diabetes, lactic acid can be sensed to evaluate muscle fatigue, and sodium
ions and chloride ions can be used to control dehydration and other symptoms. As
such, a variety of information can be sensed from the body surface, and the use of
wearable sensors is expected to be very promising.

When sensing on the body surface, the affinity between the sensor and the body
surface is very important. The closer the sensor is placed to the body surface and
the smaller the gap between the sensor and the body surface, the more sensitive the
sensing can be. John A. Rogers et al. at Northwestern University reported that the
affinity of a sensor to a living body changes depending on the thickness of the base
material, even if the same material is used [15]. They evaluated the gap between the
substrate and the living body when PVA, which is widely used as a base material
for biosensors, was applied to the body surface with varying thicknesses from 5 to
500 pm [16]. To further reduce the gap between the nanomesh electrode and the
living body, Someya-Yokota et al. of the University of Tokyo developed nanomesh
electrode [17] by layering PVA into a fiber shape using an electrospinning method
and depositing gold on the PVA fibers (Fig. 6). After being attached to the body
surface, the PVA is dissolved by spraying it with water, leaving only the gold thin
film body, which fits perfectly into the living body. The nanomesh electrode showed
the best results compared to silicone and parylene, with no inflammation. In addition,
to evaluate the robustness of the nanomesh electrode, a 10,000 bend and stretch test
was conducted with the electrode attached to a finger joint, and it showed high
mechanical properties without breaking. Currently, this electrode is being applied as
an electrode for electrocardiographs that can be used for long periods of time, and
we have succeeded in obtaining electrocardiograms over a long period of time.

Our group and Kohei Ishii’s group at Kagawa National College of Technology
discovered that the pawl twitches slightly in synchronization with the heartbeat and

Fig. 6 Fabrication process of nanomesh electrodes and their application to the body surface: arrows
indicate sweat glands
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Fig. 7 A piezoelectric nail sensor that measures minute deformations of the nail synchronized with
the heartbeat

succeeded in detecting the heartbeat and respiration by attaching a strain sensor to the
nail (Fig. 7) [18]. The amount of microstrain of the nail synchronized with the heart-
beat is a displacement of several hundred nanometers, which, although extremely
small, is within the range of measurement possible with current piezoelectric devices.
Although the mechanism of nail microstrain is not fully understood, we hypothesize
that the blood flow into the finger causes a slight increase in finger volume, which
in turn deforms the nail. This nail displacement has been shown to be measurable
regardless of gender or age, and is gaining attention as a possible site for new wear-
able sensors. In addition, the absence of sweat glands and nerves makes fingernails
suitable for sensing because they do not cause steam or inflammation even if sensors
are worn, and they can be worn for a long period of time because of their low wearing
comfort. On the other hand, its disadvantage is that it requires the wearer to be at rest
in order to measure the heart rate in detail, as it is greatly affected by external distur-
bances such as body movement. The LED light method has been commonly used to
detect the heart rate from the fingers, but LEDs consume large amounts of power,
and long-term use requires either a wired power supply or battery operation with a
large device. On the other hand, the piezoelectric element can be used as a sensor
for detecting nail strain, and since the piezoelectric element generates a gas voltage
due to strain, it does not consume power for detection, which is a great advantage.
While smartwatches and other devices can detect the heart rate of healthy people,
it is believed that the false fingernail type heart rate sensor can play a significant
role in situations where the sensor may be unintentionally removed, such as by the
elderly or infants.

1.2 Imaging and Optical Sensors

Flexible image sensors are attracting attention as a new imaging device because
of their lightness, softness, and bendability. Since light can measure information
outside the body, optical imaging, as typified by X-rays, is widely used for diagnosis
of diseases in hospitals. Unlike conventional sensors, flexible image sensors are soft
and can be directly attached to curved surfaces such as skin to continuously measure
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biological information with high precision. As such, they are expected to find a wide
range of applications in wearable devices and home healthcare. Here, we introduce
the application of such sensors in the biomedical field.

We are developing a sheet-type image sensor. It consists of an infrared photode-
tector and transistors with a resolution of 508 pixels/inch in a 15 pm thick, 12 x
12 mm sheet, and is capable of acquiring images at a rate of 41 flames per sec (Fig. 8)
[19]. With this single sensor, it is possible to acquire fingerprints on the body surface,
blood vessels inside the body, and pulse waveforms. The sensor’s flexibility enables
continuous sensing without invasing the living body, and yet it can acquire vital
information at high speed, so that a very large amount of information can also be
obtained in a short period of time. In addition to medical applications, applications
in the fields of biometric authentication and security can be expected soon.

Someya and his group have applied flexible OLEDs to research using the body
surface itself as a display. The skin display shown in Fig. 9 consists of 24 x 16
full-color micro LEDs arranged to display ECG waveforms and vital information
[14, 20]. The three primary colors of red, green, and blue are realized with OLEDs,
enabling full-color display [14, 21]. Seven-segment OLEDs can also be used on the
body surface to display numerals and alphabets. These skin displays are expected to
save more patients by using the body surface not only as a sensing target but also as
a display location where information obtained by sensors can be quickly presented
to anyone in an easy-to-understand manner.

In addition to LEDs, photodiodes can also be fabricated flexibly using organic
materials. Yokota et al. combined an organic LED and an organic PD to develop a
flexible pulse oximeter that fits tightly to the finger (Fig. 10) [14, 22]. The fabricated
device is a reflective pulse oximeter. Green and red light irradiated onto the finger
by the OLED is reflected and diffused through the in vivo tissue and returns to the
OPD. Since red and green light have different absorption characteristics depending
on the oxygen saturation of red blood cells, the amount of light entering the OPD
makes it possible to measure oxygen saturation. Most common pulse oximeters are
worn on the finger, but the issue is that pressure is applied to the finger because of
the increased measurement sensitivity achieved by increasing the degree of adhesion
between the living body and the sensor. Patients with circulatory insufficiency who
need to wear a pulse oximeter may have low blood pressure, and the pressure of

il

Fig. 8 Bendable sheet image sensor capable of capturing fingerprints and veins and measuring
pulse waves
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Fig. 10 Development of flexible Pulse Oximeter with Organic Photodiode and Organic LED

the pulse oximeter may block blood flow. With blood flow blocked, it is of course
impossible to correctly measure the patient’s vital information, but the film-type
pulse oximeter developed by Yokota et al. is very good in that it does not apply
pressure to the finger, so correct vital information can always be obtained.

1.3 In Vivo Sensor

Sensing using organic electronic sensors can be used not only on the body surface but
also inside the body. The sensor used inside the body is temporarily invasive when
it is implanted in the body, but by applying the new flexible sensor to the surface of
organs, it is possible to sense with high sensitivity without invading the organ. The
disadvantages of invasive implantation are greatly outweighed by the advantages of
the data obtained from sensing. In conventional cardiac surgery, a needle electrode is
inserted into the heart after opening the chest, which is often an invasive procedure
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for both the body surface and organs. In contrast, the method using a thin, flexible
sensor allows the sensor to be inserted into a catheter with a diameter of about 5 mm,
and the catheter can be inserted through a small opening on the body surface to apply
the sensor to the organ surface. These methods are not completely noninvasive, but
they are much less invasive than existing methods and nearly noninvasive to the
organ being measured. While sensing inside the body has the disadvantage of being
invasive, it also has the great advantage of improving measurement sensitivity by
hundreds to tens of thousands of times over that of the body surface, and if the
disadvantages greatly outweigh the advantages, the use of sensors inside the body
may be an option. The advantage of placing sensors inside the body is not only the
increase in signal strength but also the increase in response speed. In the process of
measuring brain function using fMRI, brain cells consume oxygen when they are
active, and blood flow increases to compensate for the lack of oxygen, and brain
function is measured from the changes in blood flow. The time lag in this process
is thought to be about 10 s. If flexible electrodes that can be directly attached to the
brain are realized, the electrical activity of brain cells can be sensed directly [23],
and the response speed will be improved 100 times.

Flexible sensors and OLEDs are also being used in optogenetics research. Optoge-
netics is a research technique that uses channelrhodopsin, a light-responsive protein,
to control neural activity by light. When nerves are electrically fired, it is very difficult
to distinguish between the potential caused by stimulation and the potential caused by
neural activity. However, if a nerve is stimulated to fire by light, the resulting poten-
tial is the result of neural activity, and this method is superior in that it produces very
low-noise measurement results. Yokota et al. used a flexible and very thin OLED
to induce muscle contraction in rats transfected with a photoresponsive protein by
light stimulation (Fig. 11) [21]. Compared to existing hard silicon LEDs, the OLED
is thin and highly flexible, allowing MRI imaging with the OLED inside the body,
making this device possible to measure brain function by optical stimulation and
fMRI simultaneously.

It is possible to develop a temperature sensor by using a polymer whose volume
changes with temperature. By mixing conductive microparticles and a temperature-
functional resin into a paste, a sensor whose resistance changes with temperature
can be developed [24]. Using this sensor principle, it can be formed into various
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Fig. 11 Ultra-flexible organic light-emitting Diodes for Optogenetic Neurostimulation Usable in
MRI
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shapes, such as a needle or a multi-point film (Fig. 12). In addition to the advantage
of being small and thin, the greatest advantage of this sensor is its high time response.
Contact-type temperature sensors require contact between the object and the sensor
until they reach the same temperature, the same principle as clinical thermometers,
which require time for accurate measurement. On the other hand, this ultra-compact
temperature sensor has a needle shape of about 0.2 mm?, which has a very small heat
capacity, resulting in a much faster response time. Figure 12 shows the temperature
variation of the lung surface during respiration. The temperature difference was
about 0.2 °C. The sensor captured the phenomenon in which the lung temperature
decreases when inhaling an ambient temperature of 24 °C and rises when exhaling
due to blood flow. This sensor can measure lung temperature without open chest
surgery, and is useful for identifying abnormal tissue such as tumors. In addition,
by constructing a temperature sensor with multiple points on a film substrate, it is
possible to map minute temperature changes. Figure 12 right shows the results of
recording temperature changes when the femoral artery of a rat was ligated to create
an ischemic site, and these results show that this temperature sensor can be used to
identify blood flow disorders and tumor sites such as skin cancer.

Multipoint flexible electrodes have the potential to change conventional cardiac
surgery. In current surgical procedures to measure myocardial action potentials and
regulate the rhythm of the heartbeat by defibrillation and pacemakers, needle elec-
trodes are commonly sewn into the myocardium or fixed using alligator clips. While
these methods provide stable fixation, they are problematic because they cause
damage to the myocardium. Our flexible electrodes adhere to the surface of the
heart and can be fixed in any position without invading the heart (Fig. 13) [25-27].
The electrode was made by depositing gold as a conductor on a 1.5 pm PEN film,
followed by a 1.5 wm layer of parylene as an encapsulating film. By sandwiching the
conductor between polymers of the same thickness, the electrode has high strength
without microscopic fracture of the conductor, even when the electrode is bent and
stretched. The rat heart has a diameter of approximately 10 mm and a heart rate
of 300 bpm, which is larger than that of a human heart in terms of curvature and
vibration, but the electrode did not fracture even after long-time measurement.
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Fig. 13 Cardiac surface potential measurement using flexible multipoint electrodes

2 Conclusions

This chapter introduces the needs and development status of wearable sensors, which
are playing an increasingly important role in our health and disease management.
Until now, attempts to apply these sensors to the human body have mainly been
based on small electronic devices that are mainly made of silicon. In recent years,
the development of electronics using organic semiconductors has been promoted
in place of silicon. Although organic semiconductors are not as sensitive as silicon
semiconductors, the flexibility of the element itself can be maintained, making it
much more applicable to the human body, and soft sensors can achieve physical
harmony between the wearer and the sensor. It is also very important that the sensor
itself be stretchable, not only because of the flexibility achieved by its thinness, but
also when the sensor is applied to joints, rib cage, and other parts of the body where
shape and volume change. These studies will elucidate the mechanisms of diseases
that have not been elucidated so far in biomedical measurements in the medical field.
These wearable sensors will also contribute to home and telemedicine, effectively
utilizing medical costs and improving the quality of life of patients. The basic prin-
ciples, measurable parameters, and application examples of body surface sensors
were explained. In the future, further advances are expected through the evolution of
sensor technology and integration with Al. Challenges exist in the widespread use
of body surface sensors, such as improving accuracy, data interpretation issues, and
privacy protection. It is important to address these challenges. In addition, when using
sensors, collaboration with medical professionals and appropriate data management
are required.

Of the five senses, vision is currently the most greatly developed sensor. The
resolution of the best image receivers and display monitors is higher than that of the
human eye. In the near future, it will be possible to construct a pressure-sensitive
sensor with a density that exceeds the 1077 pain senses in the skin, which are said
to be present throughout the body. The problem that will arise at that time is how to
process the data output from a large number of sensor elements. In order to handle
a large amount of data, it is necessary to either send all the information to the brain
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(processor) and then process it with software using Al, or to selectively transmit the
information by bundling it near the receptors before sending it to the brain, as human
nerves do. Just as the human neural network has a sub-pathway called reflection,
it may become important to have a mechanism that changes the sensor pathway
depending on the level of importance.

The current engineering technology has not caught up with the sensors of living
organisms, and is still in the stage of developing science and technology by imitating
living organisms as Biomimetics. However, the author is convinced that the engi-
neering technology will surpass the sensing capabilities of all living organisms in
the near future, and that the day is approaching when the sensor technology will
enhance living organisms. In the future, there is a great possibility that wearable
sensors will be able to detect physical phenomena that are inherently imperceptible
to humans. Contact lenses can visualize radiation, and essential for medical diag-
nosis but harmful to the human body, and clothing and gloves that can detect harmful
viruses and molds may be developed.

Finally, the evolution of body surface sensors will have a significant impact on
our healthcare and medical care. Through this publication, our goal is to disseminate
knowledge about body surface sensors and promote their proper use and application.
Your interest and commitment are important to maximize the potential of body
surface sensors and realize a better future for health and medicine.
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Wearable Electrochemical Biosensors )
for Glucose Monitoring L

Marjan Majdinasab

1 Introduction

Diabetes, also known as diabetes mellitus, is the most common metabolic disease
related to carbohydrate metabolism. Itis a group of endocrine disorders resulting from
insulin deficiency and characterized by hyperglycemia or sustained high blood sugar
(glucose) levels as a common effect of uncontrolled diabetes. Blood glucose concen-
trations in diabetic patients are higher than the normal range of 80—120 mg/dL (4.4—
6.6 mM) [1]. Diabetes mellitus is one of the main causes of mortality and disability
worldwide and a main health problem for most developed societies. According to
the World Health Organization (WHO) report the number of diabetic individuals
worldwide was approximately 171 million in 2000, and this is estimated to increase
to 366 million by 2030 [2]. High levels of blood glucose lead to numerous compli-
cations such as higher risks of kidney failure, heart disease, stroke, blindness, and
in some cases amputation [3]. Considering that there is no permanent treatment for
diabetes, the only way to prevent these unwanted complications is disease manage-
ment with routine blood glucose monitoring. Although laboratory tests are available
for glucose monitoring in patients with diabetes but it requires frequent visits of
patients to the laboratory, which is time-consuming and costly. To address this issue,
self-monitoring of blood glucose has been established as a valuable tool for the
management of diabetes. In order to be replaced by clinical tests, self-monitoring
tools must meet some characteristics such as high accuracy and sensitivity, quick
response, easy to use and low cost. This demand has been met by excessive research
on glucose sensors using different transducer systems, i.e., electrochemical, acoustic,
thermal, optical, and magnetic. Electrochemical biosensors specifically have been
investigated extremely since the first generation of glucose sensors due to numerous
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advantages such as high accuracy and reproducibility, better sensitivity, simplicity,
and low cost [2, 3]. Enzymes are the most common recognition element not only in
electrochemical sensors but also in other types of glucose sensors due to their high
selectivity towards glucose substrate. Enzymatic amperometric glucose biosensors,
inspired by the first glucose biosensor developed by Clark and Lyons in 1962, are
the most popular devices commercially available, and have been extensively studied
in the last few decades. Currently, relying on the numerous researches conducted in
the field of enzymatic electrochemical glucose biosensors, finger glucometers are
commercially available as the common diagnostic standard tools for self-monitoring
of blood glucose. Despite many advantages of finger glucometers, they are painful
and invasive and also they don’t have the ability to continuously monitor glucose
[4]. Therefore, the efforts to improve glucose biosensors are still ongoing. Different
approaches have been investigated in the performance of glucose enzyme electrodes.
Moreover, one of the most interesting topics in recent years is the effort to develop
wearable non-invasive or minimally invasive glucose monitoring devices, which have
attracted the attention of many researchers in the field of biosensors. Wearable devices
are able to receive physiological information worn on the human body by measuring
dynamically changing contents of biomarkers in biofluids including interstitial fluid
(ISF), sweat, saliva, and tears, while analyzing and storing the collected data by
smart transmission and information processing systems [5, 6]. Among different kinds
of glucose monitoring devices developed so far, wearable non-invasive and mini-
mally invasive glucose sensors are of interest for diabetes management due to their
ability to continuously monitor glucose levels. These devices are generally based
on different techniques including optical, colorimetric, ultrasound, and electrochem-
ical approaches [4]. Each of these techniques has its own pros and cons. However,
wearable electrochemical sensors are exclusively attractive due to their noticeable
advantages such as high selectivity and sensitivity, inherent miniaturization, low
cost, high speed, low power requirements, and highly scalable fabrication by the use
of screen-printing technology. Figure 1 shows the wide field of glucose detection
approaches and distinguishes three different groups including invasive, minimally
invasive, and non-invasive techniques. In invasive methods, there is direct detection
of glucose in the blood like the technology used in glucose self-monitoring devices
(finger glucometer). Minimally invasive methods are those that require extracting
some body fluids (i.e., ISF, tears, saliva and sweat), with a single insertion into the
skin and minimal pain, to measure the glucose concentration using an enzymatic
reaction. In non-invasive techniques, biological fluids containing glucose at concen-
trations that are proportional to its concentration in the blood are collected without
puncturing the skin [7].

One of the most effective wearable glucose monitoring systems that has recently
been successfully implemented in several commercial platforms is wearable mini-
mally invasive systems developed for continuous glucose monitoring. One of the
most appealing wearable minimally invasive systems developed in recent years is
microneedle-based systems to monitor glucose levels in the ISF using enzymatic reac-
tions [8]. Although due to their small size, they have been considered to be minimally
invasive, but in some cases, they can be associated with challenges such as tissue
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Fig. 1 A review of various techniques for glucose measurement. Reprinted from Ref. [7] with
permission

damage and microbial infection. Therefore, the development of fully non-invasive
devices for continuous monitoring of glucose is the main goal of new generation
of wearable biosensors. These new generation of biosensors should be non-invasive
and able to measure glucose levels on a daily basis. Moreover, the results of glucose
measurement can be transmitted wirelessly to the patient’s physician.

The main goal of this chapter is to evaluate the history and current status of elec-
trochemical glucose biosensors focusing on wearable electrochemical biosensors
that are a growing trend of recent publications. Two types of wearable electrochem-
ical glucose biosensors including microneedle-based sensors as minimally invasive
devices, and flexible electrodes as non-invasive devices are evaluated. Principles of
operation and various materials applied in these two groups of wearable electro-
chemical glucose biosensors with their advantages and limitations are discussed.
Moreover, the advantages of self-powered wearable devices are explained.

2 Electrochemical Glucose Biosensors

The principle of electrochemistry-based transducers is the electron flow generated
by a chemical reaction. Regarding electrochemical detection of glucose, this process
mainly relies on oxidation/reduction reactions. During these reactions, glucose is
converted to gluconic acid (gluconate). Electrochemical glucose biosensors are clas-
sified into two groups including enzymatic and non-enzymatic. In enzymatic biosen-
sors, glucose oxidation can occur in the presence of enzyme while, in non-enzymatic
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group glucose detection is based on activities of metal-centered electrocatalysts
[3,9, 10].

2.1 Enzymatic Electrochemical Glucose Biosensors

Since the first glucose biosensor proposed by Clark and Lyons, enzymatic glucose
sensing has been employed ever since with more popularity and high potential such
that the principle of detection in numerous glucose biosensors as well as commercial
glucometers is enzymatic reactions. Enzymatic glucose biosensor of Clark and Lyons
was fabricated by a thin layer of glucose oxidase (GOx) entrapped over an oxygen
electrode through a semipermeable dialysis membrane [1]. In this system, monitoring
of the oxygen consumption by the enzymatic reaction was an indicator for glucose
detection.

In addition to GOX, two other kinds of enzymes including hexokinase and glucose-
I-dehydrogenase (GDH) are used for glucose measurement. While the hexokinase
method is used as the reference method in many clinical laboratories for accurate
estimation of glucose in serum or plasma, GDH and GOx are two common enzymes
employed in glucose biosensors and self-monitoring of blood glucose [11]. GDH
and GOx differ in some features including selectivity towards glucose, cofactors,
Michaelis constants (K ,), redox potential, cosubstrates, and turnover rate [12]. GOx
is more common and considered as gold standard enzyme for glucose sensing due to
its unique characteristics such as higher selectivity for glucose, relatively low cost,
and good stability towards environmental conditions including high temperature,
pH and ionic strength [2, 13]. Glucose detection using this enzyme relies on the
following three reactions:

(1) Glucose + GOx-FAD* — Gluconic acid + GOx-FADH,
(2) GOx-FADH; + O, — GOx-FAD + H,0,
(3) H;0, — 2H" + O, + 2¢

Since GOx requires a redox cofactor for the catalysis of glucose oxidation, flavin
adenine dinucleotide (FAD) plays this specific role as the initial electron acceptor.
Therefore, in the first step, FAD is strongly bound to GOx. Then, GOx-FAD catalyzes
the oxidation of B-D-glucose to gluconic acid. The produced FADH, is regenerated
by reacting with molecular oxygen, resulting in the formation of hydrogen peroxides.
On the other hand, H,0; is oxidized at a catalytic, classically platinum anode. The
electrode quickly detects the number of electron transfers, and the electron current
corresponds to the number of glucose molecules in the blood [2, 12].

Three common strategies are employed for electrochemical detection of glucose
including (1) measurement of glucose utilization; (2) measurement of the concentra-
tion of produced hydrogen peroxide; or (3) application of a permeable or immobilized
mediator to transport electrons from the GOx to the electrode.

Despite a lot of advantages of GOX, this enzyme uses oxygen as an external
electron acceptor in the oxidation reaction, thus device efficiency is sensitive to and
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variable depending on the atmospheric oxygen level [14]. To overcome this limitation
and increase sensing reliability, GDH does not require oxygen and is being employed
in different types of glucose sensors. Recently, GDH-based biosensors relying on
amperometric detection are increasing. GDHs are subdivided based on their redox
cofactors; The GDHs utilizing the cofactor nicotine adenine dinucleotide (NAD) or
nicotine adenine dinucleotide phosphate (NADP), GDHs utilizing the pyrroloquino-
line quinone (PQQ) cofactor and FAD-dependent GDHs [15]. PQQ-GDH catalyzes
not only the oxidation of glucose, but also of other sugars. Among these three
members of GDHs family, FAD-GDH represents high thermal stability and substrate
selectivity and does not require further cofactors or active catalysts. However, FAD-
GDH shows ineffective electron transfer with the commercial Ru(NH3)¢ mediator
that is employed with GOx, and thus Ru(dmo-bpy),Cl, has been evaluated to be an
efficient redox mediator for electron transfer with FAD-GDH [16].

2.2 Different Generations of Enzymatic Electrochemical
Glucose Biosensors

Three kinds of enzymatic glucose biosensors have been proposed and are classified
as first, second, and third-generation. Briefly, the first and second generation types
are based on amperometric detection by monitoring electrochemical oxidation of
hydrogen peroxide or reduction of oxygen for first generation-based sensors, or
electrochemical oxidation of reduced mediators in the second generation types [17]

First-generation glucose sensors are enzymatic devices based on oxidizing glucose
using GOx as a specific bioreceptor [1]. They have relied on the utilization of
natural oxygen co-substrate and the production and recognition of H,O, (Fig. 2)
[18]. Although detection of hydrogen peroxide is simple and miniaturization of such
systems is easy, but measurement of H, O, requires a relatively high reduction poten-
tial in which other endogenous reducing species (e.g., uric acid, ascorbic acids and
some drugs) in body fluids are also electroactive and can interfere with glucose
detection [19, 20]. Another challenge of this system is the limitation of oxygen solu-
bility in body fluids, which can lead to errors during measurement and low repro-
ducibility of the test [1]. To address these challenges, oxygen was replaced with a
non-physiological electron acceptor in second generation of glucose biosensors. In
this system, the chemical mediator was able to shuttle electrons from the redox center
of the GOx to the electrode surface in order to decrease detection potential (Fig. 2)
[21]. Different kinds of artificial mediators including ferricyanide, quinines, tetrathi-
afulvalene (TTF), ferrocene, tetracyanoquinodimethane (TCNQ), methylene blue,
thionine and methyl viologen were investigated to increase sensor efficiency [22—
24]. Among these, ferrocene showed all the desirable characteristics of a mediator and
was applied in the first commercial mediator-based glucometers [25, 26]. Due to high
toxicity of the mentioned mediators, the third-generation glucose biosensors without
the use of any chemical mediator and based on direct transfer between the enzyme and
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Fig. 2 A schematic representation of different generations of electrochemical glucose biosensors.
Reprinted from Ref. [40] with permission

electrode were developed (Fig. 2) [4, 20]. In these systems, the electrode can perform
direct electron transfers using organic conducting materials based on charge-transfer
complexes. Hence, the third-generation glucose sensors have resulted in implantable,
needle-type systems for continuous in vivo monitoring of glucose. Conducting
organic salts including tetrathiafulvalene-tetracyanoquinodimethane (TTF-TCNQ)
are known as intermediates in the electrochemistry of GDH-PQQ enzymes as well as
flavoproteins (GOx) [12]. Direct electron transfer in third-generation glucose sensors
enhances electron transfer and provides a simple system for glucose monitoring [2].

2.3 Non-enzymatic Electrochemical Glucose Biosensors

Despite many advantages of enzymatic glucose biosensors such as high specific
catalytic action excellent selectivity and sensitivity, high efficiency and mild measure-
ment conditions, they suffer from several limitations that arise from proteinaceous
nature of enzymes [10, 27]. The performance of enzymatic group is highly dependent
on environmental conditions including temperature, pH, humidity and toxic chem-
icals limiting their application [3, 10]. To address these challenges, non-enzymatic
glucose sensors have been proposed based on the electrocatalytic oxidation of
glucose, which can be detected optically or electrochemically (Fig. 2). Compared
to optical sensors, non-enzymatic electrochemical sensors offer higher sensitivity,
fast response, simpler operation, ease of miniaturization and scalability, lower cost,
low power requirement, and portability [28]. Noble metals and their alloys (e.g., Pt,
Au, Pd, and Rh) [29, 30], metal oxide (e.g., NiO and CuO) [31-33], and transition
metals (e.g., Cu, Ni, Zn, and Mn) [34, 35], are mostly used materials in electrochem-
ical glucose sensors due to their electrocatalytic activity. Moreover, they are mostly
integrated with other nanostructures such as graphene [36], carbon nanotubes [37],
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MoS, [38], and conducting polymers [39] to increase the sensitivity. Noble metals
and their composites have been widely applied as the electrode materials for non-
enzymatic glucose sensors due to their high electrocatalytic activity, better stability
compared to enzymes and high sensitivity to the electro-oxidation of glucose [20].

Glucose oxidation through synthetic electrocatalysts is explained by two models
including activated chemisorption model and incipient hydrous oxide adatom medi-
ator IHOAM) model. In activated chemisorption model oxidation process is initi-
ated by the glucose adsorption onto catalyst (electrode) surface followed by breaking
bonds and new intermediate formation. After glucose adsorption on the metal surface,
it is oxidized to glucono-8-lactone, which is further converted to gluconic acid.
IHOAM model relies on reactive hydroxide species on the electrode surface gener-
ated during the electrocatalysis and their effect on many organic molecules’ redox
reactions [10]. Both models can be considered for catalytic reaction on noble metal
electrodes, but they are not qualified to explain glucose oxidation on transition metals
or metal oxides [3].

The main drawback of non-enzymatic glucose sensors is the absorption of glucose
oxidation intermediates or solution active species which leads to blockage of elec-
trode activity for direct glucose electro-oxidation. Moreover, non-enzymatic amper-
ometric glucose sensors suffer from lower selectivity in comparison with enzy-
matic amperometric glucose biosensors due to the weakness of the electrocatalytic
materials to specifically catalyze glucose oxidation [20].

2.4 Continuous Monitoring of Glucose Using Wearable
Sensors

Wearable sensing method is an emerging technology relying on a combination of
chemistry, engineering, computer sciences, and wireless technology. This technology
has made a considerable progress in the aspect of digital quantification of our daily
health continuously. In this regard, continuous glucose monitoring (CGM) in different
body fluids using wearable devices has gained considerable attention. CGM sensors
are wearable non/minimally invasive tools that measure glucose concentration almost
constantly (1-5 min sampling period) for multiple consecutive days/weeks reducing
the need of the self-monitoring glucometers (Fig. 3a) and significantly increasing the
information on blood glucose fluctuations [41]. In recent years, different mechanisms
for non-invasive or at least minimally invasive CGM devices [42—45] have been
investigated to meet all the basic needs of a sensor such as sensitivity, specificity,
linearity within biological relevant range (Fig. 3b, c) [41]. Among different proposed
techniques (i.e. optical, electrochemical, and piezoelectric), the one that is today
used by most of the commercialized CGM devices is based on the concept of 1st or
2nd generation of electrochemical glucose biosensors relying on GOx reaction [1].
Commercial CGM device based on 3rd generation glucose sensors has been yet to
be done.
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Fig. 3 Different types of invasive, minimally invasive and non-invasive glucose monitoring devices.
Reprinted from Ref. [49] with permission

The first prototype of wearable CGM sensor, Medtronic Minimed Gold, was
introduced and approved by FDA in 1999 [46] and devices have evolved rapidly
since then. The system was a wired-type glucose electrochemical needle-type sensor
inserted in the subcutaneous tissue in the abdomen or on the arm, in a minimally
invasive manner, and measured an electrical current signal produced by enzymatic
reaction. The electrical signal is proportional to the glucose content in the interstitial
fluid, which is then converted into a glucose concentration by a calibration method
normally performed twice a day. Current Medtronic CGM devices are all equipped
with wireless transmission. Dexcom Inc. launched their first CGM system in 2006,
which also utilized 1st generation basis, and was equipped with wireless transmis-
sion. Abbott introduced the first 2nd generation type CGM device in 2008, by using
their iconic technology redox-polymer hydrogel, that consisted osmium complex as
electron mediator incorporated with GOx [17]. In recent years, many non-invasive
(e.g., flexible electrodes) or minimally invasive (e.g., microneedles) electrochemical
monitoring devices that perform glucose measurements in other biological fluids
instead of blood have attracted the attention of research topics. It is worth noticing
that although glucose is detectable in different body fluids such as sweat, saliva, urine,
tears and ISF and thus glucose levels in these matrixes have the potential to corre-
spond to blood glucose content [47] but, the glucose concentrations in these biofluids
are much lower than those in blood, leading to large deviations in the measurement
results from the actual blood glucose content. However, among the wearable devices,
minimally invasive devices are preferred due to the use of ISF whose glucose concen-
tration is closer to the blood plasma and has a reliable correlation with blood glucose
levels.

Non-invasive CGM techniques have strict requirements for the environment and
must overcome challenges such as those concerning noise interference, detection
sensitivity, and stability. Most non-invasive sensing techniques are only employed for
“proof of concept” and have not yet been used in clinicalapplications [48]. The most
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extensively used CGM devices in clinical applications are currently based on mini-
mally invasive electrochemical techniques. The minimally invasive electrochemical
CGM sensors show several advantages of high sensitivity and stability, short response
time, simple operation, and easy miniaturization. The features of these two categories
of wearable CGM sensors are explained in more detail below.

24.1 Wearable Minimally Invasive CGM Systems

Primary CGM devices are blinded systems which record retrospective glucose data
for professional use only. In these systems, a sensor probe ranging from 5 to 13
mm in length is implanted under the skin of a diabetic individual to continuously
collect glucose data. A statistical report of the glucose concentrations is produced at
the end of the wearing. A retrospective CGM sensor can represent the variations in
a diabetic’s glucose contents on several consecutive days and make a reference for
physicians to investigate the diabetes treatment plan. The limitations are that the data
processing is complicated and diabetics are not able to check their own glucose data in
real-time. A real-time CGM sensor updates glucose information every 1 to 5 min [50].
Therefore, the glucose content and fluctuation graphs are created at any time, and the
history of the results can also be reviewed. Moreover, the device is easy to wear and
does not interfere with the normal daily life of diabetic person. Whenever the glucose
concentration exceeds the threshold level set for hyperglycemia or hypoglycemia, the
device will generate an alarm. Some products of Medtronic’s Guardian™ Connect
and Guardian™ Sensor 3 even are able to predict high or low glucose excursions up
to 60 min in advance. The latest development in commercial CGM sensors is that
the device is integrated with an insulin pump to create an artificial pancreas, so that
insulin injection can be done automatically if necessary [48].

There are several critical technologies for the construction of minimally inva-
sive electrochemical-based CGM systems. In this regard, several criteria should be
considered to provide the best performance and minimal invasiveness and pain: (1)
the size of implanted sensor probe should be small enough to minimize the incision
zone and reduce implantation pain and the infection risk; (2) the enzyme activity
should be preserved as much as possible to inhibit large enzyme losses during long-
term operation, thereby increasing the sensitivity and stability of the sensor; (3) the
sensor should be more biocompatible to reduce the effect of allogeneic reaction.
In this regard, application of microneedles and biocompatible membranes and also
immobilization of enzymes in sensor development can meet these requirements to a
great extent.

Microneedle-Based Electrochemical CGM Systems

Microneedle-based CGM sensors have emerged in order to access ISF in an effi-
cient, non-invasive and pain-free way and to reduce infection risk associated with
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implantable probe. These systems are safer for patients by reducing the possi-
bility of infections [51]. Due to the micron size (< 1 mm in length), they can
penetrate the epidermis to reach the dermis without contacting the dermal neurons
and blood vessels [52, 53]. Furthermore, microneedles possess a larger electrode
surface area and show high sensitivity in both in vitro and in vivo tests. The type
of microneedle and the materials applied for its fabrication play a main role in
the design of microneedle-based biosensors to ensure full compatibility with both
sensing elements integration and implementation for transdermal investigation [54].
Three main classes of materials including polymers, metals and silicon are generally
used to fabricate microneedles. Polymers are usually used more than other mate-
rials due to their low cost and ease of construction. Different kinds of polymers
such as epoxy-based negative photoresists [55, 56], acrylate-based polymers [57,
58] and polycarbonate [59, 60] have been investigated. In the case of electrochem-
ical sensing, to increase electrical conductivity, polymeric microneedle is coated with
metals, metal oxides, alloys (e.g., Au, Pt/IrOx, Ti/Au or Ct/Pt) or even conductive
forms of carbon (e.g., carbon paste, carbon fibers or carbon nanotubes). Concerning
metallic microneedles, the most popular materials include Pt, Au and W because
of their superior conductivity and good biocompatibility. Silicon with the feature
of excellent is extensively used to fabricate microneedles. Microneedles fabricated
with hollow silicon can passively extract ISF by capillary action. Depending on the
method of forming the materials, four different fabrication techniques can be used
to develop microneedles. These techniques include lithography, micromachining,
mold-filling, and computer assisted polymerization [54].

In microneedle-based electrochemical sensors for glucose monitoring, generally
enzyme, in particular GOX, is used as a bioreceptor to modify microneedle elec-
trodes for selective monitoring of glucose. For example, in several microneedle-
based glucose sensors, poly(3,4-ethylenedioxythiophene) (PEDOT) was employed
for the immobilization of GOx on the surface of platinum-coated stainless steel
microneedle electrode. PEDOT also played the role of electrical mediator. On the
other hand, Pt was applied due to high electrical conductivity and chemical stability.
Therefore, with the combination of PEDOT, Pt and GOx, a highly sensitive and
selective glucose sensor was obtained [61]. In another effort, Sharma et al. reported
aminimally invasive glucose biosensor based on a microneedle array electrode fabri-
cated from an epoxy-based negative photoresist (SU8 50) and developed for contin-
uous measurement in the dermal compartment with minimal pain (Fig. 4a) [55].
The device was constructed by casting the structures in SU8 50, crosslinking and
then metallizing with Pt or Ag to produce the working and reference electrodes,
respectively. The metallized microneedle array electrodes were subsequently func-
tionalized by entrapping GOx in electropolymerized polyphenol (PP) film. In vitro
studies showed that the developed devise is able to measure glucose concentrations
less than 0.5 mM with a response time of 15 s. After the microneedle insertion into
the forearm of several volunteers for 24 h, no inflammation or skin irritation was
reported by them.

Carbon-based nanomaterials are very interesting for the coverage of micronee-
dles in order to increase electrical conductivity. In this regard, a microneedle-based
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sensor array was fabricated for simultaneous monitoring of lactate and glucose in
artificial ISF (Fig. 4b) [62]. The gold surface of the microneedles was modified by
electrodeposition of multiwalled carbon nanotubes (MWCNTSs) and subsequently by
electropolymerization of methylene blue as the redox mediator to form second gener-
ation of glucose biosensor. Then, the modified microneedle was functionalized with
lactate oxidase (LOX) in working electrode 1, and with the FAD-GDH in working
electrode 2. The fabricated device showed a high sensitivity towards glucose and
lactate.

In addition to glucose monitoring, microneedles can also act as ISF collector. In
this regard, hollow microneedles, swelling microneedles and porous microneedles
are able to collect ISF. In these kinds of microneedles, the sensing electrodes are
integrated inside the microneedle. Therefore, microneedle not only can protect elec-
trode from breakage or enzyme loss during insertion into the skin, but also it can
collect glucose of ISF [48].

Hollow microneedles, manufactured using silicon, metals, or non-dissolving poly-
mers, with empty space inside are a type of conventional transfusion needle [63].
They are widely used to collect ISF and blood. For sensing purpose, a rapid anal-
ysis system can be placed precisely on the outlet of hollow microneedle to distin-
guish analytes in collected biological fluids. Therefore, analyte (e.g., glucose) can be
detected by hollow microneedle-based sensing device. However, the possibility of
blocking the opening of the needle during the piercing of the skin is a major limitation
for hollow MNs, which will result in resistance to flow. On the other hand, fabri-
cation of hollow microneedles is significantly difficult, and those with high aspect
ratios don’t have the usual internal support structure for solid needles [64]. Ribet
et al. (2018) fabricated a CGM device using hollow silicon microneedles (Fig. 4c).
The device was based on the combination of an ultra-miniaturized electrochemical
sensing probe inside of a single hollow microneedle, separately realized using stan-
dard silicon microfabrication procedures. The device relied only on passive capillary
lumen filling without the need for complex fluid extraction mechanisms. Moreover,
the transdermal portion of the system was fifty times smaller than that of commercial
devices [65]. Since long-term stability and continuous monitoring remain unsolved
challenges associated with electrochemical sensors, Parrilla et al. (2022) tried to
overcome these challenges by developing a highly stable redox mediator bilayer
for electrochemical sensing of glucose in ISF [66]. The biosensor was composed
of screen-printed carbon electrodes (SPCE) modified with GOx and redox mediator
bilayer of Prussian blue (PB)/nickel hexacyanoferrate (NiHCF) system to enhance
the stability of the redox mediator layer. In addition, a diffusion-limited Nafion layer
is applied to the electrode to increase the linearity of the biosensor to millimolar
levels required for diabetes monitoring. After assessment of hollow MNs array for
easy skin piercing, the biosensor was attached to the back of the hollow MNs array
leaving a microfluidic cell. Finally, the hollow MNs sensor array was coupled to
a syringe using microfluidic tubing. This design provided rapid ISF extraction and
glucose analysis, as only the glucose diffusion into the SPCE results in long-term
operation.
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The swellable microneedles have obtained considerable attention due to swelling
under the skin after absorption of ISF and also maintaining the structure without
dissolving [67]. Swellable MNs are commonly constructed by physical crosslinking
methods such as exposure to ultraviolet (UV) light with photoinitiators [63]. The
major limitation of swellable microneedles is their lower mechanical strength. By
selection of suitable polymers and fabrication method, a balance can be established
between swelling and mechanical strength [67]. Zheng et al. (2022) developed a
skin patch integrating swellable microneedles, made of swellable methacrylated
hyaluronic acid, and electrochemical test strips for glucose and alcohol measure-
ment in ISF [68]. This device was fabricated by adhering microneedle patch on the
electrochemical strips using the chitosan as the connecting layer. The electrochem-
ical strip was a screen-printed three-electrode strip which working electrode was
first modified with a Prussian blue as mediator layer and subsequently functional-
ized with Gox. The microneedle penetrated the skin for extraction of ISF that flowed
to the backing layer of microneedles and was analyzed by the test strip (Fig. 4d).
In another example, Zheng et al. (2022) embedded wire electrodes in the tips of
silk fibroin-microneedle and fabricated a swellable microneedle patch for in situ
real-time detection of glucose in the ISF of skin or plant tissues [69]. Working and
counter wire electrodes were made of platinum (Pt), while wire reference electrode
was made of Ag/AgCl. Chitosan was used as the binder to immobilize GOx onto
the surface of Pt wires. The wettable yet insoluble fibroin hydrogel provided good
mechanical strength in dry conditions for easy tissue penetration. After insertion,
fibroin MNs swelled and extracted biomarker-containing ISF into their polymeric
matrix to reach the embedded electrodes. Rapid detection was achieved due to the
immediate contact between the electrodes and the ISF. This microneedle strategy is
suitable for long-term monitoring of glucose as well as other biomarkers.

Porous microneedles possess interconnected micro-sized pores throughout the
entire structure of microneedle. They are usually fabricated from biocompatible
metals, ceramics, or polymers with small randomly distributed and interconnected
pores. Due to the continuous pores, the rapid absorption and collection of ISF can
be reached through capillary action. Therefore, ISF extraction and the subsequent
monitoring of glucose in fluids can be obtained using porous microneedles integrated
with lab-on-chip biosensing devices. Increased fragility due to the large volume of
holes is one of the disadvantages of porous microneedles [63]. Bollella et al. (2019)
developed a highly porous gold microneedles-based second generation biosensor for
minimally invasive monitoring of glucose in artificial ISF [59]. The highly porous
microneedles-based electrode was fabricated using a simple electrochemical self-
templating strategy that included two steps, gold electrodeposition and hydrogen
bubbling at the electrode (Fig. 4e). The highly porous gold surface of the micronee-
dles was modified by immobilization of 6-(ferrocenyl)hexanethiol as a redox medi-
ator and then by immobilization of FAD-GDH enzyme using a drop-casting method.
The device showed high sensitivity and stability. Porous metals have been inves-
tigated as highly active catalysts as well as sensitive electrodes due to their large
surface area. Kai et al. (2021) developed porous microneedle electrodes (with a pore
diameter of approximately 1 pwm) by electroless plating of nickel and gold on the
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porous polymer microneedles of poly(glycidyl methacrylate), and applied them to
an enzymatic glucose sensor [70]. The GOx was immobilized on the gold-plated
microneedle electrodes. The amperometry of glucose content in solution was deter-
mined using the fabricated electrode as the working electrode, together with the Ag/
AgClreference electrode and the gold counter electrode, both of which were made of
microneedles. The porous structures of microneedle electrode resulted in increased
sensitivity.

2.4.2 Wearable Non-invasive CGM Systems

As mentioned earlier, development of wearable non-invasive needle-free CGM
devices provides a convenient tool to monitor the glucose concentration of diabetes
patients without discomfortability and risk of infection. In recent years, a lot of
wearable devices in different forms of watches, glasses and wrist/armbands have
been developed for real-time and continuous monitoring of glucose level. However,
current commercial devices are generally just miniaturized forms of conventional
electronics that include rigid, bulky, and flat components. Such stiffness and bulki-
ness can not only disturb and annoy the devices, but also limit the matching contact of
the devices with the human body [71]. Moreover, due to the need for advanced tech-
nologies and hardware combinations the production cost increases, which will be one
of the major limitations of this kind of biosensors. To overcome these challenges and
develop a fully wearable sensor system several important factors including the appli-
cation of soft and flexible materials, wireless technologies, and high integrity should
be considered. With recent advances in soft, stretchable, and flexible conducting
materials, development of wearable biosensors has become easier. On the other
hand, advances in wireless communication technologies and electronic engineering
simplify data processing and transmission with a miniaturized electronic chip. The
main advantage of wireless power transfer is that it just needs a simple antenna
circuit, which provides a vast choice of materials and structures. Using tribo and
piezoelectric mechanisms, energy harvesters enable charging of electricity through
body movement, thus providing an easy way to charge regardless of environmental
conditions [72, 73]. The combination of all functional ingredients with different
functions, characteristics and shapes in small and compact devices should include
rigorous methodological approaches.

Non-invasive and on-body analysis of glucose can be performed in different
biofluids such as tear, saliva, sweat, and ISF.

Tears include various biomarkers such as electrolytes, metabolites (e.g., glucose,
lactate, and ascorbate), and proteins (e.g., lysozyme, lactoferrin, lipocalin, and
albumin). Tear biomarkers directly diffuse from blood, resulting in a close corre-
lation between the biomarker level in tears and blood [74]. Moreover, accessibility
of tear is very easy. However, sample collection of tears is challenging due to the
small sample volume, rapid evaporation during sample preparation, eye irritation, and
deficiency of tear fluids of individuals who suffer from dry eye syndrome. Wearable
tear sensors consist of eyeglasses and contact lenses [74].
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Saliva contains proteins, hormones and small metabolites such as glucose. A
main advantage of saliva is the possibility of collecting a large volume of sample in
a non-invasive, low cost and simple way. However, the concentration of biomarkers
in saliva is generally lower than blood and other non-invasive biofluids. Moreover,
due to presence of food particles, bacteria and other contaminants, some sample
preparation steps such as filtering or centrifuging are required before analysis. One
of saliva wearable sensors include electrodes well-equipped in mouthguard [74].

Sweat as an epidermally available biofluid contains electrolytes, metabolites (e.g.,
glucose), proteins, small molecules and disease biomarkers. Analysis of sweat has
several limitations such as variation of sweat secretion (upon weather condition,
physical activity, stress, and chemical stimulus), sweat rate, sample evaporation, and
skin surface contamination. Tattoo biosensors including conductive inks attached on
the wearable flexible materials are an example of electrochemical biosensors for the
sweat analyzing [74].

ISF, an extracellular fluid surrounding tissue cells, contains proteins, electrolytes
and metabolites. Concentration of analytes in ISF is similar to blood plasma leading
to reliable correlation between ISF and blood plasma. However, ISF components
should be excreted at the surface of skin by an additional approach such as
reverse iontophoresis (RI) and sonophoresis for non-invasive sampling [75]. RI is
the most widely used technique in electrochemical glucose sensing relying on ISF
sample. This technique led to the development of the GlucoWatch® as a commer-
cial wearable non-invasive electrochemical glucose monitoring device [76]. Rl is a
needle-free method for extracting biomolecules through intact skin to gain the goal
of blood glucose detection. RI consists of two mechanisms: (1) electromigration, the
direct interaction between charged ions and applied electric field, and (2) electroos-
mosis, a connective solvent flow from anode to cathode direction. For the charged
compounds, electromigration is the major transport mechanism [77]. The total quan-
tity of charge transferred depends on the strength and duration of the electric field.
For the uncharged compounds (e.g., glucose), electroosmosis driven by voltage is the
main extraction mechanism. The shape, size and position of electrodes are consid-
ered as important parameters for RI. Different shapes of electrodes such as thin disks
(same as GlucoWatch) to snakes, ridges or otherwise have been used. It is not only
necessary that the electrode can be closely connected to the human skin, but also
keeping a suitable micro-distance from the skin surface. Therefore, flexible materials
are generally used for the electrode fabrication [77].

Flexible Electrodes: Materials and Fabrication Methods

Selection of flexible materials with appropriate characteristics such as stretching,
bending, high compression and tensile strength, and twisting is of particular impor-
tance in design of a wearable system. The most common flexible materials employed
for wearable glucose biosensors include polyethylene terephthalate (PET) and poly-
dimethylsiloxane (PDMS). The most important features of these materials are their
transparency, wide commercial availability, and the ability to print with a wide range
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of electrically conductive materials. In addition, fibrous materials including cellu-
lose, polyurethane, polyamide, and cotton fibers, particularly moisture management
as a kind of cotton material with 100% moisture absorption, are suggested as inex-
pensive, available and flexible materials in wearable electrochemical CGM devices.
A flexible and wearable glucose biosensor was fabricated using hydrophobic PDMS
and hydrophilic 2-methacryloyloxyethyl phosphorylcholine (MPC) copolymerized
with dodecyl methacrylate (DMA) by photolithography and ion beam sputtering
techniques [78]. Electrodes (Pt working electrode and Ag/AgCl reference/counter
electrode) were formed on the PDMS using microelectromechanical (Soft-MEMS)
techniques. Thus, a flexible hydrogen peroxide electrode was obtained. The gas-
permeable poly (MPC-co-DMA) (PMD) membrane was placed on the other surface
of the electrodes. The GOx was also immobilized using PMD solution casting onto
hydrogen peroxide electrode. The calibration range for glucose solution includes the
tear glucose concentration of normal subject (0.14 mmol/l). Using the same materials
and procedure, this group developed soft contact lens for non-invasive and in situ
monitoring of tear glucose [79]. The contact lens biosensor showed a good relation-
ship between the output current and glucose concentration in arange of 0.03—5.0 mM,
with a correlation coefficient of 0.999. The biosensor was applied to a rabbit for tear
glucose monitoring. The results of tear glucose monitoring showed that tear glucose
level increased with a delay of 10 min from blood sugar level.

In a recent study, a breathable flexible glucose biosensor with excellent flex-
ibility and moisture/air permeability was developed [80]. The biosensor’s elec-
trodes were fabricated by inkjet printing method onto a flexible porous nanofiber
polyimide substrate obtained through electrospinning (Fig. Sa). Graphene and plat-
inum nanoparticles (PtNPs) were used to build three-dimensional nanostructures on
the surface of the working electrode to increase specific surface area and enhance
the sensing performance. Prussian blue was used to reduce the working potential,
shielding the effect of interferents. The porous structure of the nanofiber substrate
made the biosensor breathable, usefully inhibiting the body-fluid accumulation that
could remarkably affect measurement accuracy in long-term wearable glucose moni-
toring. Moreover, the porous structure allowed the electrodes to be embedded within
it. The array substrate was attached to a volunteer’s leg skin for 12 h and no sweat
accumulation was observed.

Using one-step laser-scribed PtNPs nanostructured 3D porous laser-scribed
graphene (LSG), a flexible electrochemical sensing platform was developed for
glucose and pH detection [81]. The prepared nanocomposites simultaneously had
a hierarchical porous graphene architecture, while PtNPs significantly increased
their sensitivity and electrocatalytic activity. For the fabrication of electrodes, Pt-
hydroxyethyl cellulose (HEC) hydrogel was prepared and coated on the polyimide
(PD) film. Laser scribing was used to fabricate super hydrophilic and co-doped LSG
PtNPs. The Pt-HEC/LSG electrode was immersed in ultrapure water to remove the
unetched hydrogel. The PtINP-LSG electrode was patterned by a CO,; direct scribing
laser machine. Finally, GOx was immobilized on the Pt-HEC/LSG working electrode
and biosensor was used for glucose monitoring in sweat.
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«Fig.5 a A schematic representation of different steps of fabricating flexible glucose biosensor
using porous nanofiber polyimide substrate, (1) the glucose biosensor, (2) substrate development,
(3) images of the substrate (I) before and (II) after thermal imidization, (4) the structure of (I) three-
electrode and (II) working electrode, (5) the electrode construction steps, (6) physical images that
exhibit the (I) glucose biosensor and (IT) flexibility of the biosensor. Reprinted from Ref. [80] with
permission; b A schematic representation of the fabrication of PEDOT:PSS/DF/PB/GOx biosensor
for the glucose monitoring in serum and the non-invasive glucose determination in ISF on human
skin relying on the reverse iontophoresis, and a comparison with the glucose assay by a commercial
glucometer. Reprinted from Ref. [83] with permission; ¢ Simultaneous non-invasive sampling and
monitoring of ISF and sweat using a wearable iontophoretic biosensor on a printed tattoo platform
for glucose and alcohol measurement. Reprinted from Ref. [88] with permission; d A schematic
illustration of iontophoresis printable electrodes and iontophoresis mechanism on the epidermal
cellulose/ B-cyclodextrin /GOx nanofibers (NFs) glucose biosensor. Reprinted from Ref. [91] with
permission

Conducting polymers with high flexibility and stretchability close to those of tradi-
tional plastics, and also high speed of electron transfer are interesting substrate [82].
Poly (3,4-ethylenedioxythiophene) polystyrene sulfonate (PEDOT:PSS) is one of the
most widely studied conducting polymer for flexible and wearable glucose sensor [83,
84]. PEDOT partially aggregates and forms a “hard” conductive network in the soft
PSS matrix due to the weak electrostatic interaction between PSS and PEDOT [71].
An electrochemical biosensor based on PEDOT:PSS conductive hydrogel incorpo-
rated with Prussian blue nanoparticles (PBNPs) was developed for the non-invasive
and continuous monitoring of ISF glucose on human skin based on the reverse
iontophoresis (RI) extraction [83]. The PEDOT:PSS hydrogel was used as a skin
patch for the improvement of contact between the sensor and the skin, while its
high conductivity resulted in the achievement of high sensitivity. The PBNPs and
GOx were embedded into the hydrogel solution followed by the drop-coating on the
working electrode and RI electrode of the screen-printed carbon electrodes (SCPE),
which resulted in the formation of glucose sensing films (Fig. 5b). The SPCE was
fabricated on the PET substrate. In addition to working electrode, counter elec-
trode, and the Ag/AgCl reference electrode, the SCPE included a RI electrode with
a diameter of 1 cm.

In another attempt for developing flexible electrodes, a nanocomposite film based
on polyaniline (PANI) and nitrogen-doped graphene quantum dots (N-GQDs) was
prepared and deposited on the SPCE fabricated on PET [85]. PANI was chosen as the
matrix for GOx due to its flexibility and excellent binding for GOx, where N-GQDs
supplied N-rich functional groups that act as electron transfer agents. This overcomes
the electrical conductivity issues in neutral electrolytes and increases the electrical
activity towards glucose detection. After the GOx immobilization, GOx/N-GQDs/
PANI-based biosensor exhibited excellent performance and enhanced sensitivity for
glucose detection in artificial sweat.

Wearable electrochemical biosensors have also been integrated with low cost
paper-based materials and directly applied on human skin for non-invasive analyzes
[86]. The use of a flexible and hydrophilic cellulose paper substrate has a significant
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effect on the absorption and dispersion of active substances and increases the perme-
ation of sweat as well as its diffusion from the human-device interface [87]. In the
case of paper, tattoo-based paper sensors show high flexibility, printability, stability,
and adhesion ability to human skin. They can be employed as wearable epidermal
sensing devices. Kim et al. (2018) developed a flexible tattoo paper dual-electrode
wearable biosensor for simultaneous and independent sampling and analysis of two
epidermal biofluids (ISF and sweat) for the monitoring of glucose and alcohol [88].
The dual sampling and analysis were performed through the parallel operation of
reverse iontophoretic ISF extraction across the skin and iontophoretic delivery of a
sweat-inducing drug (pilocarpine) into the skin at separate positions (Fig. 5c). The
wearable system was fabricated on epidermal temporary tattoo platform through
screen-printing technique for disposable single use. This tattoo paper biosensor was
able to measure ISF glucose at the cathode side using a glucose GOx and sweat
alcohol at the anode side using an alcohol oxidase (AOx). In addition to the previ-
ously mentioned advantages of paper substrate, other advantages include the self-
absorption of sweat through the created microfluidic channels in paper-based devices
using the hydrophilic and hydrophobic material modification, wax printing, inkjet
printing, and photolithography. Moreover, the softness and folding ability of papers
are also suitable for reducing the size of the device and making devices with multiple
functions [87]. In this context, a highly integrated sensing paper (HIS paper) was
developed for fast sweat collection and glucose determination [87]. The HIS paper
was assembled from a combination of hydrophobic protective wax, conductive elec-
trodes, and MXene/methylene blue (Ti;C,Ty/MB) hybrid active materials by using
a simple printing process. Carbon paste and silver paste were employed as counter
electrode and reference electrode, respectively. Carbon paste was used to construct
screen-printing carbon working electrode (SPCE). The printed paper was folded into
a multi-layered structure, where a sensible three-dimensional perspiration diffusion
pathway was created by connecting the hydrophilic zones of each layer, providing
efficient paths for perspiration collection and diffusion of sweat along the vertical
direction of the folded HIS paper. Moreover, the independent three-dimensional
positioning of the three electrodes facilitated the decoration and immobilization of
enzymes (GOx and lactate oxidase) as well as the accessibility of electrolytes. The
unique design of the three-dimensional structure enhanced the absorption of sweat
from the surface of the skin, and prevented the accumulation of liquid, thereby
reducing the discomfort caused by sweat in the human—machine interface.

Hydrogels can have a homologous contact with the human body because their
mechanical features are similar to the interfaces between human skin and underlying
tissue [89]. Hydrogel-fibrous materials with high surface-to-volume ratio, flexibility,
and high-water absorption properties are good candidates in glucose sensing wear-
able devices. They can be fabricated by electrospinning technique with a variety of
porosity and diameters [4]. In this regard, Kim et al. (2019) developed poly(vinyl
alcohol)/B-cyclodextrin hydrogels cross-linked by citric acid for glucose measure-
ment. The GOx was physically entrapped within the B-cyclodextrin cavity for accu-
rate detection of ISF glucose levels. The developed hydrogel system showed great
potential as a patch sensor for non-invasive glucose monitoring [90].
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Another advantage of hydrogels is that electrodes could be easily printed on
the surface of fibrous hydrogels for wearable electrochemical devices. Kim et al.
(2019) developed a cellulose/B-cyclodextrin electrospun immobilized GOx patch
with reverse iontophoresis for non-invasive monitoring of ISF glucose levels. Carbon-
Ag/AgCl-carbon: working-reference-counter electrode coated Prussian Blue were
screen-printed on the surface of the fabricated path (Fig. 5d). The nanoporous struc-
ture of the patch was able to keep the extracted solution on the body [91]. In an
interesting study with a combination of hydrogel and paper, a hydrogel paper patch
(HPP) with highly porous conductive PEDOT:PSS hydrogel self-assembled on paper
fiber was developed [92]. To fabricate electrode, HPP with microfluidic channels was
prepared on a filter paper using a wax printer. Carbon paste and Ag/AgCl paste were
printed individually on the specific areas of filter paper using screen-printing method
to fabricate the counter and reference electrodes respectively. To prepare the working
electrode of the glucose sensor, PEDOT:PSS solution was casted on a rectangular
area. After the filter paper was completely filled with the PEDOT:PSS solution,
the filter paper was soaked in dodecylbenzene sulfonic acid (DBSA) to form the
PEDOT:PSS conductive hydrogel. Then, PtNPs were electrodeposited onto paper-
based hydrogel. Finally, GOx was dropped on the working electrode and cross-linked
with glutaraldehyde. Due to the easy processability of paper and the conductivity of
PEDOT:PSS hydrogels, the proposed HPP conductivity sensing system is promising
as a disposable and low cost sensor kit for health care and glucose monitoring.

Several other examples of flexible electrodes employed in wearable CGM devices
are listed in Table 1.

Besides selecting the flexible substrate, electrode fabrication technique is of great
importance. The electrically conductive or non-conductive substrates can be modi-
fied with different methods to create sensor electrodes. Electrodes including sensing
(working), counter and reference electrodes are designed and fabricated on a flexible
substrate. The materials chosen to make the electrode should have good adhesion to
the substrate to create a flexible sensor. Furthermore, different kinds of nanomaterials
can be used in the sensing zone of sensor to increase sensitivity and performance.
Various nano/microfabrication techniques including printing (e.g., screen-printing,
inkjet printing and 3D printing), laser induction, photolithography, electrodeposi-
tion, seed mediated and dealloying methods have been studied and used for the
fabrication of wearable devices [4]. Among these methods, screen-printing tech-
niques are the most common methods in the fabrication of wearable electrochemical
glucose biosensors [93]. This method is extensively applied for printing conductive
or non-conductive inks on flexible substrates.

3 Wearable Self-powered Electrochemical CGM Systems

Although conventional electrochemical batteries are the important source of the
electricity required for wearable devices, they suffer from several limitations such
as large size, discomfortability to wear the sensor, need to recharge and regular
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replacement. Therefore, multiple wearable energy harvesters including electrostatic,
thermoelectric, electromagnetic, piezoelectric and triboelectric power have been
developed. Self-powered energy harvesters may convert numerous forms of environ-
mental energy into electrical energy and can partially replace batteries. Compared to
the conventional batteries, self-powered energy harvesters are inexpensive, compact,
lightweight and environmentally friendly. The energy thatis harvested can come from
body movements, body temperature, human physiological processes, surrounding
environment, solar energy and artificial light [94, 95]. In addition to mechanical
energy, in self-powered wearable biosensors, chemical energy from the components
secreted from body fluids such as glucose or lactate can be used as energy source and
converted to electrical energy. Since fiber-based textiles are the most popular material
for human clothing, they can be used as interesting materials for wearable biosensors.
Micro-cable structured textiles with light weight and high flexibility have been used to
harvest energy from mechanical excitation, wind blowing and chemical energy (from
body secreted materials). Textile- and paper-based chemical energy converters are
also known as biofuel cells. A wearable and flexible textile-based glucose biofuel
cell by polyester-based employing moisture management fabric (MMF), which is
extensively used in sportswear, was proposed by Wang et al. (2020). In this system,
MMF as electrolyte and biofuel transport media were located between two carbon-
based components that served as cathode and anode. PB and GOx were immobi-
lized onto cathode and anode, respectively (Fig. 6a). The reduction of PB-modified
cathode was driven by the oxidation of glucose catalyzed by GOx-modified anode,
and this enables a single-compartment structure where MMF acts as biofuel trans-
port media. Because MMF was made of polyester, it naturally induced a contin-
uous and high speed flow which facilitated molecule transport for efficient chemical
reactions without an additional pump. With this system, glucose was detected in
the range of 0.1-1 mM [96]. In another study, a self-powered glucose biosensor
was developed by embedding self-powered bioelectronics on a mask that measured
the biological glucose signal with continuous energy (Fig. 6b) [97]. The fabrica-
tion of mask-based printed electrodes was based on screen-printing technique. The
bioanode and cathode of the printed electrode on the medical mask were modified
with highly capacitive materials including conducting polymers of PEDOT and PANI
and nanomaterials of carbon nanotubes (CNTs). The electrode modification signifi-
cantly increased capacitive properties on the electrode surfaces to store charges. The
PANI-modified bioanode was functionalized with GOx and tetrathiafulvalene. When
glucose in sweat came into contact with GOx on the surface of the flexible mask-based
bioanode, the bioanode generated electrons. These electrons produced by glucose
oxidation on the bioanode then drove the self-sustainable energy system. Finally,
the electrons flowed to the cathode modified with PEDOT/CNTs and completed the
circuit. This mask-based flexible device could hold potential for the next generation
of smart textiles and wearable devices.

Smartwatches are interesting devices for integrating with glucose biosensors. In
this regard, a fully integrated and self-powered smartwatch was developed for contin-
uous monitoring of glucose in sweat [98]. The smartwatch included flexible silicon-
based photovoltaic cells for energy harvesting and conversion, flexible Zn-MnO,
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Fig. 6 a A wearable textile-based glucose biofuel cell employed moisture control fabrics used in
sportswear. Reprinted from Ref. [96] with permission; b A schematic representation of a mask-
based bioelectronic system for energy capturing from glucose and self-powered measurement of
glucose. Reprinted from Ref. [97] with permission; ¢ A schematic illustration of the totally combined
self-powered smartwatch for continuous determination of glucose; from left to right respectively:
System-level block layout of the self-powered smartwatch; schematic representation of the self-
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Reprinted from Ref. [98] with permission
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rechargeable batteries as intermediate energy storage devices, an electrochemical
glucose sensor, a printed circuit board (PCB) as a controlling module, and electronic
ink (E-ink) display to facilitate direct and real-time monitoring in the form of a
“watch strap”. In the sensing part, two electrodes including working and reference/
counter electrodes were fabricated on flexible PET polymer using photolithography
and thermally evaporated nano-layers of Cr/Au. The electrolyte made of polyvinyl
alcohol (PVA) was located between MnO, @ nitrogen-doped carbon foams (N-CF)
cathode and Zn@N-CF anode (Fig. 6¢). In this system, the sweat extraction was
based on the iontophoresis method. This smartwatch showed a good performance in
glucose detection.

4 Comparison of Glucose Detection in Sweat and ISF

Recent efforts have focused on epidermal biomonitoring devices of two easily acces-
sible biofluids including ISF and sweat. Reliable and convenient non-invasive moni-
toring of desired biomarkers in these biofluids could potentially have a major influ-
ence on a wide range of health and wellness applications. Sweat contains several
biomarkers that reflect the physiological state of the blood, as they are released
from the bloodstream through sweat [88]. The presence of blood-related biomarkers
in sweat, non-invasiveness, continuous monitoring, easy collection and its easier
accessibility than ISF makes it an ideal medium for non-invasive biomarker moni-
toring. However, one of the limitations of sweat is that it can only be evaluated once
it is excreted to the outer surface of the skin and several available methods for sweat
generation (e.g. thermal heating, prolonged exercise, stress, and iontophoretic stim-
ulation) can be both time-consuming, and cumbersome and discomfort when dealing
with diabetic patients, and ultimately cause the loss of the benefits of using sweat
as a matrix biomarker detection. Moreover, skin surface glucose can confound these
measurements. On the other hand, despite some reports on the correlation between
sweat and blood glucose [99], it’s not specified yet whether sweat glucose concen-
tration reflects the metabolic status of the users. In addition to the lack of a good
correlation between sweat and blood glucose levels, as well as the difficulty of sweat
collection, other limitations of sweat include variation in GOx activity due to lactic
acid secretion and environmental temperature changes and enzyme delamination
when exposed to mechanical friction and skin deformation. Relatively low sensi-
tivity due to lower glucose concentration in sweat and distinct hysteresis compared
to blood glucose level are also the main aspects limiting its use [77]. ISF is of partic-
ular importance because of high glucose content in ISF (the glucose concentration
in blood ranges from 2 ~ 40 mmol/L, in ISF is 1.99 ~ 22.2 mmol/L, in sweat is 0.01
~ 1.11 mmol/L) [100], good stability (compared to the discontinuous and unstable
secretion of sweat), good linear range, high sensitivity, and high correlation coeffi-
cient with blood glucose levels due to its proximity to blood capillaries, which allows
for rapid diffusion from the blood into the ISF. Moreover, the detection of glucose
levels in ISF possesses mature technologies since several commercial devices have
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been developed [101-103]. Thus, accuracy of ISF analysis in much better than other
biofluids (i.e. tear, saliva and sweat). However, a suitable element to pierce the stratum
corneum and reach the epidermis and dermis is required for accurate ISF measure-
ment [66]. In this regard, MNs can be used for both ISF extraction and ISF analysis.
A less invasive or even non-invasive alternative approach to avoid piercing the skin
is the employing reverse iontophoresis method to extract ISF. However, the latter
method may cause skin irritation [66]. The other challenge with ISF application is
that since the material exchange between blood and ISF exists for a certain period of
time, the measured results often lag behind, and may not reflect the real-time value of
blood glucose [77]. Regarding the comparison of the sensitivity of wearable sensors
based on sweat or interstitial fluid, it should be mentioned that it is not possible to say
with certainty which one is more sensitive, since the sensitivity depends on various
factors, including the elements used in the sensor’s construction. However, we have
to notice to the presence of quite low levels of sweat glucose and, thus, the need
to develop devices with higher sensitivity. In this context, a combination of some
specific materials has shown that the increased surface area and porosity provided,
for example, by nanofibers or nanoparticle-modified electrodes, can improve sensor
performance with high sensitivity, low LOD, and wide linear range. For commercial
development of sweat-based sensors, in vivo validation tests are still required for
meaningful medical applications to investigate the correlation of sweat with blood
readings.

5 Conclusions

Continuous monitoring of glucose using wearable devices is considered as an ideal
approach to control glucose levels in diabetic individuals. Most commercially avail-
able CGM devices that have received FDA approval are based on the principle of
electrochemical glucose sensing due to high accuracy and sensitivity. Two groups of
wearable devices including minimally invasive and non-invasive sensors based on
glucose in tears, sweat, saliva and urine have become of great interest to researchers.
In this regard, the possibility of using different biofluids as detection samples and also
innovative monitoring devices including microneedle arrays, flexible electrode-based
sensors and data transmission systems including wireless and self-powered have been
studied in recent years. However, despite recent advances in wearable biosensors,
commercialized wearable devices still face considerable challenges. Several limi-
tations such as high production costs and inflexible and uncomfortable tools with
the human body have prevented the widespread use of these health care monitoring
devices in the daily life of diabetic people. Development of flexible materials with
high surface area, special mechanical characteristics, and adaptability to the human
body has opened new avenues in innovative glucose monitoring devices. Therefore,
it is still necessary to understand as much as possible the characteristics of these
materials in order to use them properly and use appropriate technology to fabricate
wearable glucose monitoring devices. In addition, considerable attention is being paid
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to microfluidic and self-powered/sustainable devices based on flexible materials to
reduce manufacturing costs and increase device compatibility, stability, and appli-
cability. Another interesting topic regarding wearable glucose monitoring devices is
the development of multiplexed monitoring systems that are able to measure other
diabetes-related biomarkers to provide a better assessment of diabetes treatment and
improve the life quality of diabetic patients. It is also necessary to mention that
not only CGM devices can be used for monitoring purposes but also they have the
potential for therapeutic applications with a combination of closed-loop systems for
insulin infusion in individuals with type I diabetes, i.e., an artificial pancreas. The
next generation of wearable CGM devices can certainly provide more accurate and
unique glucose monitoring capabilities for diabetic patients.
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1 Introduction

Ischemic heart disease and stroke were the top two global killers from 2000 to 2019.
In 2019, they killed more than 15 million people worldwide [1]. It is known that
stroke is often caused by atrial fibrillation (AF); however, heart disease is an indirect
but significant factor in death by stroke. In view of these alarming statistics, there is
growing interest in monitoring heart rates (HRs) and measuring electrocardiograms
(ECGs) on a daily basis in order to reduce the risk of health problems. Furthermore,
there is a growing need for individuals to be able to monitor their own biometric
information during daily activities, not just for medical purposes but to better under-
stand their health status, improve their lifestyle, and enhance their performance in
sports and other physical endeavors. Because recent wearable technology makes it
simpler to measure one’s own biosignals, it is now possible to easily monitor and
use this information in daily life.

The functional material hitoe™, developed by NTT Corporation and Toray Indus-
tries, Inc., is a conductive fabric that functions as an electrode in contact with our skin
surface for measuring ECGs and electromyograms (EMGs). It is made of conductive
polymer PEDOT-PSS (polyethylene dioxythiophene-polystyrene sulfonate) coated
onto a polyester nanofiber fabric [2, 3].

The diameter of the nanofiber fabric used in hitoe™ is about 700 nm, which is
smaller than that of polyester fibers used in general clothing, which is about 15 pm.
This ultrasmall fiber diameter results in a larger contact area with the skin and a
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Fig. 1 Schematics of PEDOT-PSS-coated fabric on conventional PET cloth and on nanofiber (hitoe)

higher degree of adhesion compared to polyester fibers (Fig. 1). Additionally, the
fabric is more comfortable to the touch than traditional polyester fibers owing to
its softer texture. Also, unlike conventional metallic electrodes, hitoe™ electrodes
absorb water well, as shown in Figs. 1 and 2; therefore, they absorb perspiration
and blend well with the skin. The hitoe™ electrodes rarely cause rashes even when
adhered to the skin for long periods of time and are gentle to the skin without any of
the allergic reactions to metal.

Wearable sensing devices with hitoe™ electrodes have been commercialized as
functional wear for measuring HRs during sports and for monitoring workers’ vital
signs, as well as for medical use of Holter ECGs. In these clothes, the hitoe™ elec-
trodes are embedded inside shirts or belts. In developing this wear, related technolo-
gies were also important in terms of the intended use, such as electrode placement
in the shirts and suitable garment materials that, for example, allow stretching with
low tension with high fabric elasticity. Various hitoe™ weares have been developed
considering the intended use case.

Section 2 introduces commercialized hitoe™ wear for ECG monitoring. Moni-
toring ECG on a daily basis requires not only sensing clothing but also wearable
measuring devices that are lightweight and have long battery life. Section 3 describes
how these requirements are met with transmitter technology saves power and reduces
transmitter weight for daily measurements with hitoe™. Sections 4 and 5 describe
examples of hitoe™ use cases for daily monitoring.

2 hitoe™ Electrode and ECG Sensing Wear

ECG measurements with shirts or belts are often performed with dry electrodes made
of metal or conductive rubber. The most significant difference between hitoe™ and
these materials is its hydrophilic properties, as shown in Fig. 2. Since 2014, various
ECG measurement wear with hitoe™ have been developed and released in Japan.
Here, we will introduce the basic properties of hitoe™ as a biological electrode and
the lineup of commercialized garments.
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(a) hitoe™ (b) Silver-coated cloth

Fig. 2 Photographs showing how, a hitoe™ absorbs water droplets and b silver-coated fabric repels
water droplets

2.1 Basic Properties of hitoe™ Electrode

The hitoe™ electrode is a fabric made of conductive polymer PEDOT-PSS coated
onto a polyester nanofiber cloth. The electrical properties of hitoe™ fulfill the require-
ments of disposal medical electrodes, which were evaluated based on ANSI standards
for disposable electrodes for ECG (Table 1).

For an electrode material for daily use, besides the electrical properties for
measuring biological signals, comfortableness for users and washing durability are
very important. The hitoe™ electrode has a soft texture due to its nanofiber construc-
tion and hydrophilic properties. This allows for a good feel on the skin and absorption
of perspiration, resulting in a comfortable fit. Regarding durability, the conductive
polymer is less likely to peel off because it is firmly impregnated in the small gaps
between the nanofibers. Tests have confirmed that ECGs can be measured even after
100 washes in a home washing machine.

Table 1 Electrode characteristics and ANSI/AMI requirements for disposable ECG electrode.
After Ref. [4]

Textile ANSI/AAMI
DC resistance <0.1k © <2k Q
AC impedance 1.26 £ 0.18K €2 <3K Q
Internal noise 1-3 VvV <150pnV
Defibrillation discharge at 200 V
Recovery polarization potential 1.95 £ 0.80 mV <100 mV
Rate of change of polarization potential | No change <1 mV/s
AC impedance after test 1.14 £ 0.07 K2 <3 KQ
DC offset voltage 0.0028 £+ 0.0020 mV <100 mV
Data are reported as means £+ SD
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2.2 ECG Sensing with hitoe™ Wears for Various Purposes

In wearable sensing devices with hitoe™, the conductive hitoe™ fabric is attached
inside shirts or on belts and used as electrodes for detecting the electrical potential
on the surface of human skin. In the system, good contact between the skin and
electrode is essential for acquiring clear signals without noise; therefore, in addition
to the hitoe™ electrode itself, garment properties such as compressibility and shape
to fit the body are important.

“C3fit IN-pulse” (GOLDWIN), a garment with hitoe™ electrodes and a dedi-
cated transmitter (hitoe transmitter 01, NTT DOCOMO) that can measure HRs, was
released as sports shirts in 2014 and then as sports bras for women in 2015 in Japan
(Fig. 2a and b). These compression-type shirts/bras fit the contours of the torso,
and thus the electrode has good contact to the skin during even rather hard sports
activity. The basic properties of C3fit IN-pulse for measuring ECGs were evaluated
for supine and seated users and for various body motions, such as upper body twisting,
and foot stomping exercises, assuming movements in daily life (Fig. 4). The results
showed that when the electrode was moistened with glycerin solution in advance to
inhibit drying and maintain continuous contact with the skin, the signals obtained
with this wear were almost comparable to those measured by a Holter ECG recorder
(Kenz Cardy 303 Pico+®, SUZUKEN Co., Ltd., Nagoya, Japan) with medical gel
electrodes patched directly to the skin [4].

Since the release of C3fit IN-pulse, it has been utilized for ECG monitoring in
various sports with hard body motion such as in baseball, skiing, snowboard jumping
[5], and badminton. Although the first version of C3fit IN-pulse was released as
sportswear, it was also used in medical research to evaluate the feasibility of a T-
shirt-type wearable ECG monitor. This research included ECG monitoring during a
full marathon race to create novel preventive strategies against sudden cardiac events
[6], as well as clinical research for the detection of covert atrial fibrillation [7] and
analysis of autonomic nervous system functions during natural defecation in patients
with irritable bowel syndrome [8].

Though C3fit IN-pulse has been accepted by most athletes who regularly wear
compression-type inner shirts, it is a little tight for everyday wear. With a focus
on wearing comfort in daily life, less compressive wear was developed with the
introduction of new materials and the design of the compression of the body fabric.
Comfortable all-day wear is expected to expand the utilization scenarios of ECG
monitoring for various purposes. After several attempts, a new type of C3fit IN-pulse
was released in 2020 (Fig. 3¢) along with a new transmitter TX02 (details of the TX02
are described in Sect. 3.1). The new wear significantly improved comfort as innerwear
without compromising HR measurement accuracy. This opened the possibility of
widespread use among field workers who require a garment that can be worn all-
day (this wear is suitable for worker monitoring, as described in Sect. 4.1). HR
detection from ECG signal was evaluated with this innerwear especially for worker-
specific movements such as applying external vibration and lifting and lowering
loads, assuming real-world cases of physical load in light to moderate intensity tasks
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[9]. The accuracy of the obtained HR values was competitive with that of conventional
gel-type electrodes (Fig. 5).

Daily monitoring in rehabilitation wards is desired as well (see Sect. 4.2). For
stroke rehabilitation, users will mostly be elderly or paraplegic, unlike the users
of sportswear or work clothes. Improvements have been made for practical use in
rehabilitation wards, such as an opening at the front to make it easier for caregivers
to put it on and allowing only the top of the electrodes to be fastened with a belt
(Fig. 3d) or by wear shape (Fig. 3e) so that both comfortableness with a loose-fit and
clear ECG can be taken.

In addition to the several types of sensing wear shown above, belt-type wear that
can be used in a variety of situations has also been developed and marketed. To reduce
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Fig. 3 hitoe™ wear for various purposes
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Fig. 4 ECG signals detected with hitoe™ electrodes (C3fit IN-pulse and transmitter 01) and
conventional gel-type electrodes in various body motions: supine, seated, upper body twisting,

and foot stomping exercises. After Ref. [4]

the influence of electrode displacement caused by body movement, the position of
electrodes is designed to be less susceptible to belt expansion and contraction, and
the belt itself is designed to be less prone to twisting (Fig. 3f).
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Fig. 5 Example of time-series of HR data obtained from the wearable device, C3fit IN-pulse 2020
with TX02, and gel-type Holter monitor at each movement. After Ref. [9]

2.3  hitoe™ Medical Wear

The hitoe™ medical electrodes and lead wires have been approved for use as general
medical devices in Japan. Toray Medical Co. Ltd. has been distributing the hitoe™
Wearable ECG Measurement System since 2018 (Fig. 3f).

This system can be used for Holter ECG examination with the bipolar lead CC5
condition. The dedicated ECG logger is capable of continuous ECG measurement
for up to 14 days without recharging. The hitoe™ medical electrodes are attached to
the dedicated hitoe™ medical leads with a snap. The wearable Holter ECG system is
suitable for long-term measurement over the course of days because there is no need
for a specialist to place the electrode. The medical electrodes are highly electrically
conductive with snap hook buttons, and the medical lead wires are made of silver-
plated nylon thread to integrate them with the wear. The system is especially useful
for monitoring the occurrence of AF, which often occurs intermittently in the early
stages of a disease and is often undetectable with short-term measurements. The AF
detection rate can be improved by measuring the ECG over a longer period. In tests
comparing the hitoe™ Holter ECG medical system and conventional gel electrode
system, the wearable ECG with hitoe™ system showed a slight increase in noise
signal episodes with associated deterioration in R-wave amplitudes (Fig. 6). However,
this increased noise signal count caused a negligible interruption in a continuous AF
episode in a patient with intermittent AF [10]. A clinical study reported that the ECG
acquisition rate was higher for gel-type Holter ECG than for the hitoe™ Wearable
ECG Measurement System, but the hitoe™ system provided longer total analysis
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A. Wearable ECG HR: 89 bpm 25 mm/s

HR: 83 bpm 25 mm/s
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Fig. 6 Simultaneous tracing from wearable ECG (a) and Holter ECG (b). Electrodes were
positioned to compose a bipolar lead CCS5 in both ECG devices. After Ref. [10]

time. Despite its lower ECG acquisition rate, the two-week ECG with the hitoe™
Wearable ECG Measurement System has revealed instances of AF recurrence after
ablation in patients who were underdiagnosed by 24-h Holter ECG [11].

Later, the hitoe™ Wearable ECG Measurement System was modified into dispos-
able garments, and the hitoe™ Wearable ECG Measurement System II was released
in 2020 in order to avoid hospital laundering (Fig. 3h).

3 New Wearable Biological/Environmental Sensor

Wearable devices equipped with biological sensors have emerged as promising tools
for monitoring an individual’s lifestyle and providing personalized advice for main-
taining a healthful life. These devices have also found applications in managing the
physical well-being of workers, particularly during the summer season when temper-
atures are high. However, for wearable devices to make a meaningful and sustain-
able contribution to healthful living, they need to be seamlessly integrated into an
individual’s daily life and exhibit a high degree of naturalness and intuitiveness.

To this end, NTT has collaborated with Toray to develop the conductive textile
hitoe™, which takes the form of shirt-type clothing and enables daily biological
measurements. In this section, we present a novel wearable sensor that, in conjunction
with hitoe™, enables the simultaneous detection of biological and environmental
information while featuring a small form factor and low-power consumption.
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3.1 Wearable Biological/Environmental Sensing with hitoe™

For the purpose of daily biological monitoring, hitoe™ electrodes are incorpo-
rated into garments such as innerwear and connected to a sensor comprising analog
front-end circuits, an analog—digital converter, accelerometer, central processing unit
(CPU), and radio-frequency circuits for Bluetooth Low Energy communication [12].
The measured data are transmitted to a smartphone for visualization and subsequently
sent to cloud servers for data storage and further signal processing. To enhance the
naturalness of wearable sensing technology in our daily lives, miniaturization and
long battery life of the sensor are imperative to minimize interference with user move-
ment and reduce the frequency of battery charging. Moreover, for smart healthcare
applications, such as the physical condition management of workers in hot environ-
ments, environmental information must also be evaluated to assess the thermal stress
on individuals [13].

To address the aforementioned requirements, NTT has developed a wearable
sensor (hitoe™ Transmitter TX02), as depicted in Fig. 7, that is compact (weighing
12 g), has low-power consumption, and enables multi-sensing of biological and envi-
ronmental information. The sensor can be affixed to hitoe™ innerwear to measure
biological information, such as HR and ECG. Furthermore, it can measure the envi-
ronment between clothing layers. When outerwear is worn over hitoe™ innerwear,
the sensor can monitor the temperature and humidity of the space between the two
garments. These data are instrumental in assessing a wearer’s heat stress and comfort
levels. Additionally, acceleration and angular velocity can be measured to track body
movements. From these measurement data, the sensor can derive various feature
values, including the HR, R-R interval (RRI), number of steps, amount of body
movement, and angle. The measurement data and extracted feature values are trans-
mitted to a smartphone or Internet-of-Things gateway via Bluetooth Low Energy.
The extracted feature values are stored in the sensor’s internal memory, enabling
data collection in cases where the wearer does not possess a smartphone during
measurement. Thanks to the ergonomically designed housing, the sensor fits snugly
in the gap between the chest and abdomen, allowing it to be worn comfortably without
hindering movement, such as bending and lying down.

3.2 Multi-sensing Technique for Low-Power Operation

Continuous measurement, analysis, and transmission of diverse data lead to an
increase in CPU load and power consumption, necessitating frequent recharging
or the use of a large battery to maintain operational time. This challenge is addressed
by the deployment of a novel biological/environmental sensor that employs a multi-
sensing technique developed to mitigate power consumption [12]. The circuit config-
uration and flow of this technique are illustrated in Fig. 8. Through the efficient
utilization of a direct memory access controller, the sensor measures and stores
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The three operating modes of this new biological/environmental sensor are
designed to meet different requirements depending on the application. The standard
mode allows for the transmission of the cardiac potential waveform at a sampling
rate of 200 Hz, acceleration waveform, and extracted feature values. The high-
performance mode offers an improved sampling rate of the cardiac potential wave-
form at 1 kHz and enables angular velocity measurement. The low-power mode
extends battery life by stopping the transmission of the waveform. By reducing the
CPU load, this sensor is approximately half the size of the conventional one and uses
a smaller battery. In the low-power mode, the sensor can operate for more than 100 h.
These operating modes provide flexibility in data acquisition and power management
to suit different application requirements.

Moreover, NTT proposed a simple method for RRI correction from ECG at a low
sampling rate to mitigate the trade-off between high resolution and energy consump-
tion for the calculation of the RRI [14]. The resolution of the RRI is generally
dependent on the ECG sampling rate [15]. However, in wearable devices, a high
sampling rate like that required for standard ECG testing such as 500 or 1000 sps
results in heavy calculation loads, which increase power consumption. The proposed
method is suitable for such algorithms and involves combining QRS enhancement
using the first derivatives of the filtered ECG signal and QRS detection with adaptive
thresholding [16].

Figure 9 shows a schematic of the proposed method. The method uses zero
crossing points (Z[n]) in the filtered ECG signal. The points are estimated by Z[n] =
Y[n] — Y[n]At/(Y[n] — Y[n — 1]), where Y[n] is a sampling point corresponding to
the detecting point obtained by adaptive thresholding, Y[n-1] is the previous sampling
point of Y[n], and At is the sampling interval. Each estimated zero crossing point is
used for RRI calculation.

To demonstrate the efficacy of the proposed method, an ideal ECG signal
(120 bpm) was generated using an ECG generator (AX-301D, Nihon Kohden). The
resulting analog signal was digitized under two sampling conditions: 1 ksps, which

(a) (b)

Filtered ECG

signal | Analog ECG signal |

sampling point &
i | Digital sampling |

""" zero line v
¥[n] [ Digital filtering ]

: v
First derivative ! | Peak enhancement 2 |
| Thresholding |

Threshold - v
Detecting [ Correcting l

point

Fig. 9 a Schematic of RRI correction. b QRS detection and RRI correction flow chart
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is equivalent to standard ECG testing, and 125 sps. RRI detection was performed
based on the flow chart presented in Fig. 9b. Specifically, the digitized ECG signal
was filtered using a digital filter appropriate for the sampling rate, and peak enhance-
ment was conducted following QRS detection with adaptive thresholding and RRI
calculation. In the case of 125 sps, the raw RRI was corrected using the proposed
method.

The resulting RRI error histogram is shown in Fig. 10, which was calculated based
on the difference between the calculated RRI for each condition and the reference
value (500 ms). The RRI accuracy at the low sampling rate of 125 sps was £4 ms,
which was larger than that at the high sampling rate of 1 ksps (£1 ms). However, the
proposed correction method improved the accuracy at the low sampling rate to £0.8
ms. These results demonstrate the effectiveness of the proposed method in achieving
the RRI accuracy required for standard ECG testing under low sampling conditions.

3.3 Lightweight Heartbeat Detection Algorithm and Its
Implementation

In wearable measurement environments, ECG waveforms are often corrupted by
body movement, resulting in significant noise. Therefore, developing a technique that
is minimally affected by noise is crucial to improve the accuracy of wearable ECG
measurements. Additionally, wearable devices typically have limited computational
resources, making it challenging to employ complex or computationally intensive
techniques. Thus, a simple yet accurate heartbeat detection algorithm is necessary
[17]. The ECG waveform of each heartbeat consists of distinct waves, namely P, Q,
R, S, and T waves, with the QRS complex being a region of steep changes in electrical
potential. A commonly used method for detecting heartbeats involves capturing QRS
complexes [16].

A practical detection procedure for detecting heartbeats was outlined in an appli-
cation report for an ECG front-end processor [18]. The report presented a reference
design for a mass-produced semiconductor chip, and the technique described can be
regarded as a general approach. In this algorithm, a threshold-based peak search is
applied to the time differential of the ECG signal. A threshold value is set for the
time differential values, and the time point at which the value exceeds the threshold is
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Fig. 11 Example of ECG 1.5
waveforms and heartbeat 1 =1
detection. a Raw ECG. 0.5
b Inverted time differential S g
of ECG. After Ref. [17] See
_‘| o
-1.5 +
0 1 time, s 2 3
(a)
0.6
0.4 - | - threshold .
u. 2 | Ip— - _I _____________________________ -
£ O
-0.2
0.4 time differential
-0.6
0 ! time, s 2 3
(b)

identified as the time of the heartbeat. Figure 11a and b provide an example of ECG
waveforms captured by the C3fit IN-pulse and its corresponding time differential
waveform. In Fig. 11b, the time differential of the time-series data x(n) is obtained
by subtracting x(n — 1) from x(n + 1) for each sampling time. The small circles on
the ECG waveform represent the QRS complexes. The time differential value shows
slightly shifted peak positions and is inverted.

As shown in Fig. 12, using the time differential instead of the raw ECG signal
allows for the cancellation of baseline slopes and swings. It should be noted that
depending on the individual’s physique, some individuals may have ECG waveforms
with a low top R and a deep bottom S, caused by the positional relationship between
the electrodes and the heart. However, even in such cases, using the inverted time
differential can treat the amount of rapid decrease in electrical potential from R
to S as positive amplitude. To adapt to the waveform amplitude trend, which is
subject to change with wearable sensing, the threshold value can be set adaptively
according to the latest peak values [19]. Nevertheless, during measurements with
a wearable device, the electrodes may rub against or peel off the skin, introducing
sharp fluctuations in the form of noise that inevitably disturbs the ECG waveform.
Consequently, the threshold-based logic described above may lead to errors, such as
detecting noise as a QRS unnecessarily (around 0.7 s) or missing a true QRS buried
in noise (around 1.9 s), as shown in Fig. 12b.

To address the issues described above, NTT has developed a new lightweight
algorithm for detecting heartbeats in wearable ECG measurements [17]. Based on
the mechanism of ECG, the QRS complex is generated by a displacement current that
occurs during the depolarization of the ventricular muscle propagating from the endo-
cardium to the epicardium. Therefore, the duration of the QRS complex is expected
to be almost constant among individuals without cardiorespiratory diseases. Thus,
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it is appropriate to consider sensitivity to time width in waveforms. Furthermore,
a pinching approach, where a protruding portion is detected from above, is more
effective than catching something exceeding a threshold from below. Additionally, it
is desirable to consider the area before and after a point, rather than using a one-way
scan that focuses only on one point, as in primitive threshold logic.

The concept described above is implemented as an algorithm as follows. First,
a peak in the inverted time differential of an ECG, shown in Fig. 12a, is identified.
A typical QRS waveform is used to illustrate the principle. If the peak has a certain
time width and sufficient clearance around it, it is most likely attributable to QRS.
Let x be the value of the inverted time differential at a specific point in time, and
calculate ‘x—max {A, B}’, where A and B correspond to specific time ranges before
and after x. Max {A, B} corresponds to the floor level in the area surrounding x,
A, and B. Figure 12b displays the time sequence of the value ‘x—max {A, B}’
calculated for each time point. This value represents the height of the clearance
around each peak and, as a result, selectively enhances QRS-derived peaks. By using
the clearance height, a normal threshold-based peak search can be redefined as an
accurate heartbeat detection method. The width of time is determined based on the
nature of an ECG. For example, the duration of A and B is 100 ms, and the interval
between them is 50 ms. Figure 12c displays a case where this method was applied to
the ECGin Fig. 11a. The threshold for clearance height can also be set adaptively. The
results show that the QRSs that were not handled appropriately by the conventional
method are now processed correctly by our algorithm, as indicated by the dotted
circles.
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4 Application for Smart Healthcare

The feature of the hitoe™ is its ability to acquire and transmit real-time information
on HR, ECG, acceleration, temperature, and humidity just by wearing it, and its
strength lies in its applications that capture global needs by computing and extracting
features from the information. In this section, we will introduce two applications
that contribute to smart healthcare with the aim of extending human life toward the
realization of a sustainable society.

4.1 Novel Health Risk Alert System for Occupational Safety
in Hot Environments

The global increase in temperature over the last century, commonly referred to as
global warming, has been recognized as a significant issue by the World Meteorolog-
ical Organization. This organization has reported that 2020 was one of the warmest
years on record, with temperatures about 1.2 °C above preindustrial levels [20]. The
adverse effects of global warming on human health are a crucial concern, particu-
larly as extreme heat can lead to health risks [21]. In fact, this warming has been
shown to severely limit human activity in tropical and mid-latitude regions [22].
Such warming has also been shown to limit human activity, especially for outdoor
and manual workers who are susceptible to increased health risks from exposure to
ambient heat during working hours.

To address this issue, workers should pay attention to their own physical condi-
tions and take breaks when they feel uncomfortable. Supervisors must also manage
worker conditions and schedule regular breaks. Additionally, a new integrated system
has been developed to notify individuals at risk based on their thermal physiology.
This method uses wearable sensors to obtain biological and environmental informa-
tion, and core body temperature is estimated on-ground, as it cannot be measured
wirelessly and noninvasively [23]. Overall, it is essential to take measures to mitigate
the risks associated with global warming and protect the health and well-being of
workers.

The core body temperature, HR, and subjective symptoms of dizziness and nausea
are listed as indicators of the risk of poor physical conditions in hot environments
[24]. The new method developed in this trial aims to estimate core body temperature
variation in real-time using wearable sensors and a calculation model that considers
various factors, including heat exchange between the core and skin layers of the
human body, heat produced by human activities, the thermoregulatory function due
to sweating, and clothing (Fig. 13) [25]. The model takes into account personal
information, such as age, height, weight, gender, and clothing, along with heart rate
and temperature/humidity inside clothes, to estimate core temperature variation. The
calculation model is designed to be simple yet effective and can be performed using
limited computation resources, such as smartphones, in real-time. This new method
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Fig. 13 Calculation human
body model with core and
skin layer for estimating core
body temperature. After Ref.
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can be used to notify individuals at risk based on their thermal physiology, allowing
them to take proactive measures to prevent health risks associated with extreme heat.

To verify the effectiveness of the proposed technique, a clinical experiment was
conducted at Shigakkan University in an artificial weather room to estimate body
temperature variations using the model. Rectal thermometer measurements were
taken, as illustrated in Fig. 14, and the estimation accuracy was confirmed to be
0.15 °C [26, 27]. Criteria and algorithms were established to determine the high risk
of poor physical condition for each worker. Three indicators, including HR, estimated
core temperature fluctuation, and subjective information based on joint experiments
and thermal physiology, were used to set criteria. An algorithm was also developed
to determine the overall risk of poor physical condition, based on the state of the
three indicators. The system issues an alert in the case of high risk. The health risk
alert system was applied to 49 construction workers employed during the summer of
2020 for the world’s largest sports events in Tokyo (a total of 834 person-days from
August 5 to September 30), as illustrated in Fig. 15.

The implemented technologies for core temperature variation estimation, poor
physical condition risk determination, and workload estimation were integrated into
a smartphone app as a health risk alert tool for occupational safety. A system was
also built to remotely monitor the physical condition of each worker wearing wear-
able biological or environmental sensors via the cloud. Alerts were sent to workers,
supervisors, and remote monitoring systems for those identified as being at high
risk. Comprehensive detection of risk cases was achieved during the construction
period by supplementing each case with the three indicators of the poor physical
condition risk determination technology, including HR, core temperature increase,
and subjective information. Workers who received the alert paid attention to their
own physical condition and took proactive measures to rest and avoid heat exposure.
Supervisors assessed workers’ physical conditions and directed breaks accordingly.
No serious cases of poor physical condition, such as heat stroke, were reported during
the construction period, indicating the usefulness of this health risk alert system.

The health management of workers and volunteers is crucial for event operations,
in addition to athlete safety. The Nippon Telegraph and Telephone East Corporation
applied this health risk alert system to construction and maintenance workers for
the world’s biggest sports events held in Tokyo during the summer of 2021. Future
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Fig. 14 Experiment in the artificial weather room. Subject is using an exercise bike in a room
with temperature control to simulate outdoor activity in hot weather (photo courtesy of Shigakkan
University)
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Fig. 15 Schematic diagram of the health risk alert system for workers and their supervisors. After
Ref. [26]

studies may involve the application of the system to athletes, as well as other outdoor
and manual workers, such as firefighters and outdoor police officers.
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4.2 Application for Rehabilitation Medicine

The second application is rehabilitation support using HRs and acceleration data
obtained by hitoe™. Since 2017, a joint research project between Fujita Health
University and Toray Industries, Inc. has been underway. In stroke rehabilitation, the
more training opportunities a patient has after stroke onset, the better progress can
be expected [28]. However, in actual rehabilitation settings, patients should be as
active as possible in their daily lives through getting out of bed and doing voluntary
training, as training opportunities with therapists are limited. However, it is not easy
for patients to vigorously load their hemiplegic bodies on their own, and support
is needed to achieve a better recovery. As a tool to provide this support, a system
that can precisely monitor the activity data of stroke patients on a 24-h scale using
a wearable device has been developed (Fig. 16). In this system, a patient wears a
garment that even a hemiplegic patient can put on and take off easily, which was
introduced in Sect. 2.2, and the data is automatically collected on a server via a relay
such as a smartphone or gateway, providing a report for the patient and family and
detailed measurement results for the medical team. These reports provide concrete
information about the recovery process, allowing the patient to have a conversation
with the therapist about progress and the next training session. Detailed measurement
results provide information on changes in activities of daily living for each patient,
and can be shared with the entire healthcare team for collaboration. The technology
that makes this possible is characterized by algorithms that process the data, and
it features advanced downsampling that avoids network load at hospital facilities
while preserving activity characteristics and compensation processing for partial data
loss. Such processing is enabling new clinical approaches, such as using machine
learning to predict indicators of recovery in stroke patients [29-31]. The technology
that allows patients to move around hospital facilities without having to carry a
smartphone features a gateway relay for data collection, handover to reduce data loss
between adjacent gateways, and time-stamp correction to match the time difference in
data collected at each gateway [32]. Furthermore, as a feature for medical validation,
the system supports tests widely used in rehabilitation medicine, such as the six-
minute walk test, allowing new comparative studies by easily matching existing
testing approaches with the results of 24-h activity monitoring.

5 Improving Performance of Athletes by Using hitoe™
EMG Sensing Data

The hitoe™ electrode can also be used as an electrode for EMG measurements.
Although EMG hitoe™ clothing has not yet been commercialized, it has been used for
specialized tasks, such as training elite athletes or racing drivers, and have evaluated
them [33, 34]. As an example, here we show how top cyclists utilized hitoe™ for
monitoring their muscle condition.
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For athletes, knowing the state of their own muscle activities is very important
for conditioning and improving performance. Surface EMG is an effective way to
ascertain muscle activity with little physical burden.

Conventional EMG sensors had practical problems when utilized in real cycling
fields, such as electrodes falling off due to perspiration, problems with preparation
time to fix electrodes one by one, and hampering of athletes’ movements. In contrast,
with the measurement using hitoe™, the electrodes can be easily fixed to the skin by
simply putting on the training wear with hitoe™ mounted on the lining, and there is
no need to worry about them falling off.

To evaluate their EMG during cycling on a real cycling bank, cyclists wore special
spats, with the hitoe™ electrodes attached at the position of the targeted muscles
inside (Fig. 17).

Figure 18 shows an overview of the system that the cyclists used for their training.
Thereal field data collected with the hitoe EMG wear and a smartphone were analyzed
in the server. The analyzed data combined with other sensor data, such as GPS,
cycling power, and speed were presented via the dashboard interface to the analyst.
A comprehensive report was returned to the athlete and coach. Figure 18b shows the
surface myopotential data acquired during a time trial. It is known that the frequency
components of the surface EMG signal change as muscle fatigue progresses. The data
shows the reduction of the average frequency component of the surface EMG signal
with time. Furthermore, the differences in pedaling styles on the basis of muscle
fatigue and muscle activity of cyclists were evaluated from those data. Such data
helped the cyclists realize the training issue and improve their performance [33].
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Fig. 17 Specially designed
spats for cyclists. The
hitoe™ electrodes are
attached at the position of
targeted muscles
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Fig. 18 System using hitoe™ for measuring surface myoelectric potential. After Ref. [33]

6 Summary

As a material for skin electrodes suitable for detecting our biological signals in
everyday life, hitoe™ is expanding its applications not only in the medical field but
also in the healthcare field, including sports, monitoring of workers, and rehabilitation
recovery support. In addition to the material’s features of good adhesion to the skin
and the ability to obtain clean signals, we believe that new applications will expand
in the future as data analysis technologies using transmitters, signal processing, and
machine learning, as well as effective intervention methods using these technologies

are developed.
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1 Introduction

The twenty-first century is revolutionizing the biomedical industry with myriad inno-
vations from point-of-care diagnosis to telehealth solutions. Among the various fields
of biomedical innovations, wearable biosensors have shown noteworthy advance-
ments. The first few generations of wearable transdermal biosensors (WTBs) are
capable of monitoring various physiological parameters such as temperature, blood
pressure, and electrocardiogram and are restricted to non-invasive physiological
parameters that are indicative of overall health status, but cannot provide disease/
condition-specific diagnosis or continuous status monitoring. The current genera-
tion of WTBs have improved capabilities owing to both technological and biochem-
ical sensing developments. This chapter discusses the concepts and components of
WTBs. In general, WTBs have three major components, namely (i) Biorecogni-
tion elements (sensing element)—chosen sensing element specific to target analytes;
(i1) Detection methods—methods to observe the interactions between biofluids and
biorecognition elements; (iii) Biofluids, which are sampled by the wearable device
to detect the target analyte(s).
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2 Biorecognition Elements

Biorecognition elements are the component of WTBs responsible for the selective
detection of the target analyte(s) by the sensor. Their necessity as a component
of the final sensor is dependent on the target analyte. Some small, electroactive
compounds can be detected using methods like differential scanning voltammetry
or potentiometry purely based on their unique electrochemical properties. When the
target analyte(s) are chemically complex, biorecognition elements are necessary for
distinguishing the analytes from non-targets. Biorecognition elements rely on steric
and intermolecular interactions to specifically bind with a complementary substrate.
The binding event is then transduced to a measurable signal that is dependent on the
chosen detection method. They can be either native biological macromolecules or
biomimetic. Enzymes, antibodies, and aptamers represent the three commonly used
biorecognition elements used in WTBs, while molecularly imprinted polymers are
an emerging approach.

2.1 Enzymes

Enzymes, as biological catalysts, accelerate chemical reactions. Through billions of
years of evolution, enzymes have become highly specific, efficient, and robust. Their
active binding sites fit and lock specifically to particular substrates, aided by func-
tional groups that bind or lower activation energy. This specificity makes enzymes
ideal for biosensors. Enzymes can also repeatedly catalyze reactions without being
consumed. These properties make enzymes suitable for biosensing, including WTBs.
Biosensors combine biological components, like enzymes, with transducers to detect
and quantify analytes. However, challenges such as enzyme stability, reproducibility,
and calibration must be addressed. Ongoing research and technological advance-
ments aim to enhance the performance of enzyme-based biosensors for health care
and personal monitoring.

2.2 Antibodies

Antibodies are immune system-produced proteins that target foreign substances
called antigens. They identify, neutralize, and eliminate harmful pathogens. Anti-
bodies consist of two identical heavy chains and two identical light chains, forming
a Y shape. Their variable regions, known as antigen-binding sites, bind specifi-
cally to antigens. Like enzymes, this binding is highly specific, with antibody sites
matching antigen structures precisely. Antibodies are classified into different isotypes
(IgG, IgM, IgA, IgE, IgD) that function in various immune response stages. The
immune system generates new antibodies through V(D)J recombination, in which
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gene segments (variable (V), diversity (D), and joining (J) segments) are rearranged,
recombined, and imprecisely joined. This process allows for an essentially random
and highly diverse array of antibodies that contain antibodies that successfully recog-
nize foreign antigens, which can be separated from self-recognizing antibodies. Anti-
bodies have applications in diagnostic tests but are limited to binding biological mate-
rials, not smaller chemical compounds or analytes. Nonetheless, their specificity and
engineering potential make them valuable biosensing recognition elements.

2.3 Aptamers

Aptamers are slowly gaining popularity as alternatives to enzymes and antibodies
as the chosen biorecognition element in WTBs. Aptamers, also known as oligonu-
cleotides, are short, single-stranded DNA or RNA molecules that exhibit high affinity
and selectivity for specific target molecules. They can be chemically modified to
enhance stability and prevent degradation. Aptamers, often called “chemical antibod-
ies”, have a broad target range beyond biological entities. Their production involves
SELEX [1] (Systematic Evolution of Ligands by Exponential Enrichment), a process
similar to antibody generation. SELEX includes iterative rounds of selection and
amplification to isolate aptamers that bind to the desired target. Aptamers can be
designed to bind small molecules, proteins, peptides, nucleic acids, viruses, and
cells. Offering advantages such as easy synthesis, chemical modification, and high
specificity, aptamers are valuable tools for biomedical research, diagnostics, and
therapeutics. Their small size compared to enzymes and antibodies enables greater
densities of aptamer probes at the active layer. Consequently, devices that employ
aptamers can generally achieve greater analytical sensitivity.

2.4 Molecularly Imprinted Polymers

Molecularly imprinted polymers (MIPs) are synthetic biorecognition elements that
aim to emulate the natural formation of biorecognition patterns between antibodies
and antigens. They are formed from the polymerization of a chosen monomer and
subsequent crosslinking of the resulting polymers in the presence of a target analyte.
The target analyte acts like a template which, after removal from the MIP, leaves a
cavity that acts as the biorecognition pattern between the analyte and the MIP [2].
Advantages of MIPs over other biorecognition elements are they are generally more
cost-effective and can be produced for nearly any target analyte [3]. A disadvantage
is the general decrease in selectivity with analyte size. MIPs have thus far been
successfully implemented in wearable sweat sensors for detecting non-electroactive
species such as cortisol [4-6].
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3 Detection Methods

3.1 Electrochemical Detection

Electrochemical detection is widely used in analytical chemistry, biochemistry, and
environmental science for its high sensitivity, specificity, simplicity, and affordability.
Techniques such as amperometry, voltammetry, potentiometry, and impedance
spectroscopy are the most employed detection strategies in WTBs.

Amperometry measures current for measuring analyte concentration. Amperom-
etry is most commonly used in WTBs to measure the enzymatically catalyzed oxida-
tion or reduction of a target molecule. One of the key advantages of amperometry
is its high sensitivity, which allows for the detection of very low concentrations of
analytes. One of the main limitations is that it is a single-point measurement, hence
only provides information about the concentration of the analyte at a specific location.
Amperometry is most used in continuous glucose monitors (CGMs) [7] to measure
the amount of glucose oxidation occurring at the working electrode.

Voltammetry measures current as a function of applied potential. One of the
key advantages of voltammetry is its ability to provide information about the redox
behavior of analytes, including the number of electrons involved in the reaction
and the standard reduction potential that can be used to identify and quantify the
analyte in complex matrices. However, the complexity of the voltammogram can
make interpretation difficult, requiring careful analysis of the data.

Potentiometry measures potential difference between electrodes, with high selec-
tivity for ions and small molecules when combined with ion-selective membranes,
making it useful in clinical applications. It is relatively simple and inexpensive. It
is also a non-destructive technique, which means that the sample can be reused for
further analysis. Potentiometry is generally used with WTBs in conjunction with
ion-selective membranes for the detection of specific electrolytes in sweat or ISF.

Electrical impedance spectroscopy (EIS) is a method for measuring interfacial
changes in capacitance, resistance, and conductance at electroactive surfaces. EIS can
be either Faradaic or non-Faradaic. In the former, redox reactions govern changes in
the interfacial electrical properties. For non-Faradaic EIS, disruptions of the electric
double layer at the electrode-fluid interface is most responsible for measured changes
in electrical properties. The latter is particularly useful for detecting non-electroactive
analytes and electroactive analytes that cannot be easily distinguished from non-target
entities. As such, EIS has been employed in wearable transdermal sensors (WTS)
alongside affinity-based biorecognition to detect hydrophobic molecules like cortisol
[8-10].

While electrochemical detection in sweat differs from that in ISF, the underlying
principles of the various electrochemical approaches remain the same. Amperometry
is primarily employed for detecting enzymatically catalyzed redox reactions while
potentiometry is mainly used for ion detection. The disparity between electrochem-
ical sensing in sweat and ISF arises from the contrasting compositions, properties,
sampling methods, and sensing environments of the two fluids. Electrochemical
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approaches involving a transistor as the biosensor or relying on electrochemical
impedance spectroscopy (EIS) for analyte detection are not utilized for in situ ISF
sampling. However, they find applications in in situ sweat sampling. Transdermal
gases are usually detected based on gas-specific optical sensors. For example, trans-
dermal CO, is detected using an IR detector that observes the change in the IR
absorbance in the sampling chamber specific to CO, [11].

3.2 Optical Detection

Optical detection methods comprise a variety of techniques used to detect and quan-
tify molecules based on their optical properties. They generally involve the use
of light to interact with the analyte of interest, which can then be measured and
analyzed to determine the concentration of the molecule. There are several types of
optical detection techniques that have been utilized in WTSs, including colorimetry,
surface plasmon resonance, fluorescence spectroscopy, and surface-enhanced Raman
scattering.

Colorimetry involves measuring the color change of a sample solution in response
to the presence of an analyte. Certain chemical reactions or interactions between
molecules can cause a change in the absorption or reflection of light in the visible
spectrum, which are detected using a colorimetric assay. Colorimetric detection is
commonly used in various applications, such as clinical diagnostics, environmental
monitoring, and food safety testing. It is often preferred due to its simplicity, low
cost, and ease of use compared to more complex analytical techniques.

Plasmonic detection utilizes the optical properties of metallic nanoparticles to
detect the presence of an analyte [12]. Noble metal nanomaterials show collective
oscillations of surface electrons that can interact with the surrounding molecules
causing change in their optical properties [13]. These changes are measured using
spectrophotometers as absorbance, scattering, or SPR to detect the presence or
concentration of the analyte. Plasmonic detection is used in a variety of applications,
including biosensing, medical diagnostics, and environmental monitoring. One of
the main challenges is the potential for non-specific binding, which can lead to false
positives or inaccurate readings.

Fluorometric detection relies on measuring the fluorescence emission of a sample
in response to the presence of an analyte. Certain molecules, known as fluorophores,
can absorb light at a specific wavelength and emit the absorbed energy as radiative
emission at a longer wavelength, which is measured using a spectrophotometer [14].
Itis also a versatile technique, allowing for the detection of a wide range of molecules
and analytes. Additionally, fluorescence measurements can be affected by factors
such as pH, temperature, and sample preparation.

Surface-Enhanced Raman Scattering (SERS) is a detection technique that utilizes
the enhanced Raman signal of molecules adsorbed onto a metal surface, typically
silver or gold, to detect the presence and concentration of analytes. The enhancement
is achieved by the plasmonic resonance of the metal surface, which greatly amplifies
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the Raman signal of the analyte. Advantages of SERS-based detection are high
sensitivity, label-free technique, simplified assay, and cost reduction. Limitations of
SERS are signal interference and variability due to the complex nature of the metal
surface and sensitivity to temperature and pH.

Detection in interstitial fluid (ISF) in situ is currently performed exclusively with
electrochemical methods. Optical detection methods, such as colorimetry and fluo-
rometry, are difficult to implement because of the low penetration depth of visible
light into skin. There are a few exceptions, including the commercially available
continuous glucose monitor (CGM), Eversense® [15, 16], developed by Senseonics
that uses fluorescence for analyte detection in ISF. However, in such cases, the fluo-
rescence is measured subcutaneously. Sweat, on the other hand, is not limited by the
poor penetration depth of light because analysis requires secretion outside the body.
Therefore, optical detection methods can be more easily integrated into wearable
sweat sensors (WSSs) for in situ analysis than wearable sensors that sample ISF.
Optical detection methods have the advantage of not requiring a power supply for
their operation, which sets them apart from electrochemical methods. This advan-
tage is most noticeable in WSSs that use colorimetry. When combined with smart-
phone technology [17], this detection method has shown to be an effective, point-
of-care approach to measuring sweat rate and simple analytes like electrolytes and
metabolites [18—-20] in secreted eccrine sweat.

4 Biofluids

4.1 Interstitial Fluid

Interstitial fluid (ISF) is the aqueous solution that bathes the extracellular space acting
as the transport medium for exchange of nutrients and waste products between the
capillaries and surrounding tissues; signaling molecules between cells and larger
solutes such as protein macromolecules, lipoproteins, antigens, and endogenous
vesicles are delivered from the interstitium to the lymphatic system [21, 22]. Ex
situ approaches for analyzing ISF involve minimally invasive methods like wicking,
microdialysis, suction blisters, etc., which require puncturing the skin, or non-
invasive methods like reverse-iontophoresis or sonification to extract ISF for off-
body analysis. In situ WTBs provide us with a means to expand the utility of ISF
beyond laboratory-based diagnostics and proteomics to healthcare applications that
would benefit from rapid, continuous sampling of a target analyte.

4.1.1 Sourcing Interstitial fluil—anatomical Understanding

The skin consists of three layers: the epidermis, dermis, and hypodermis in that order
from external to internal. The epidermis (50-150 pm thick), the outermost layer,
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includes the stratum corneum and viable epidermis (Fig. 1a). The viable epidermis
is avascular and is mainly comprised of special antigen-presenting cells, known as
Langerhans cells, and keratinocytes [23]. ISF comprises 15-35% [24] of the volume
of the viable epidermis. This ISF is the target of microneedle platforms that are
designed to be minimally invasive because of the absence of blood vessels and
nerves in the epidermis. The dermis is divided into two essential layers: the papil-
lary dermis (~15 wm thick) and the reticular dermis (~1—-4 mm thick) containing the
lowest cellular content of the layers, but the highest ISF content [24]. The extracel-
lular matrix (ECM) of the dermis which consists of glycoaminoglycans, collagen,
and proteoglycans [25] plays a crucial role in the extraction and sampling of ISF.
The hypodermis, composed of adipose tissue, connects the dermis to muscle and
is relevant for continuous glucose monitors (CGMs). While WTBs focus on the
dermis and epidermis, the hypodermis provides nutrient-rich ISF and allows secure
sensor insertion without flexible electronics. Ions and small, non-lipophilic molecules
(molecular weight < 3 kDa) freely partition between the blood and dermal ISF via
paracellular diffusion through intercellular junctions of the capillary endothelium.
Small lipophilic solutes passively diffuse through the cells’ lipid bilayers. Solutes
with sizes in the range of 3—70 kDa are transported by paracellular and transcellular
routes. Which transport mechanism dominates depends on the size [25, 26] of the
solute as is illustrated in Fig. 1b.

4.1.2 Sampling Interstitial Fluid

ISF and sweat need different sampling methodologies. One of the early methods
used for ISF extraction that is relevant to WTSs is reverse-iontophoresis. It requires
the application of a small current across the skin to initiate the electroosmotic flow
of ISF from the epidermis and papillary dermis (Fig. 2). Electroosmosis [27, 28]
is bulk fluid flow in the direction of counter ion flow due to the application of an
electric field across a membrane. Since ISF is an aqueous solution, it is incapable of
passing through the lipophilic stratum corneum, and, hence, exits the body through
sweat ducts or hair follicles before collecting at the cathode [29]. Concerns that
prolonged use or increased current density can cause skin irritation hinder the wider
use of reverse-iontophoresis in WTSs. In addition, there is a general lack of vali-
dation of correlations between measured concentrations of analytes in iontophoret-
ically extracted ISF and circulating concentrations. Nonetheless, proof of concepts
demonstrating its feasibility for ISF extraction has been presented [30-32].
Microneedles constitute an approach to sampling ISF that has the advantage
of direct sampling, while being less invasive than the probes used with commer-
cial glucose sensors. Generally, microneedles refer to needles with lengths of 50—
2000 pm, base widths of 25-500 pwm, and tip diameters of 1-100 pm [33, 34].
Microneedle platforms can be categorized as either ex situ or in situ [35]—refer-
ring to off-body and on-body detection, respectively. Most advances in microneedle
technology for transdermal biosensing can be classified as in situ. Microneedles for
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in situ, in vivo sensing come in four basic configurations (Fig. 3): hollow micronee-
dles with the sensor situated ex vivo, hollow microneedles where the sensor is inserted
or packed into the tip, solid-tip microneedles where the tips are dry electrodes, and
solid-tip microneedles where the sensor is fabricated on the tip [36]. The hollow
microneedles, not interfaced with the sensor element, aid in extracting ISF to the
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Fig. 3 Illustrations of conventional microneedle configurations for transdermal sensing. Orange
denotes the working and counter electrodes and blue denotes the reference electrode of a typical
three-electrode electrochemical cell. a Solid-tip microneedles. b Hollow microneedles with an
ex vivo sensor. ¢ Packed-hollow-tip microneedles. Wires are imbedded from the backside of the
sensor

biosensor. The high fluidic resistance of the dermis makes this method impractical
for in situ monitoring; however, the configuration of hollow microneedles packed
with the biosensor has been demonstrated [37] as a possible way to circumvent the
complexity of the dermal interstitium. Thus far, microneedles for in situ monitoring
have been demonstrated for metabolites [37-40], drugs [41-44], and electrolytes
[45-47]. However, few have been clinically validated.

4.2 Biofluids

4.2.1 Sweat

Sweat is our bodies’ natural way to regulate internal temperature for maintaining
thermal homeostasis. Sweat secretion is controlled by the sympathetic nervous
system and is initiated through either thermal or psychological stimulation. Sweat
is easy to access, naturally secreted, and contains a cornucopia of biomarkers also
found in ISF and blood. Above all, sweat can be sampled non-invasively. However,
wearable sweat sensor devices still have not seen the same level of commercial or
clinical success as their ISF sampling counterparts due to operational challenges
such as variations in composition and rate of secreted sweat. Rate of secretion due
to environmental and physiological factors requires consideration of not only the
biosensor, but also how the sweat is being sampled. Ultimately, development of a
wearable sweat sensor amounts to a uniquely interdisciplinary problem.

4.2.2 Sourcing sweat—anatomy of Eccrine Sweat Gland

Eccrine sweat glands are the smallest, present in whole body, most numerous, and
contribute the most to the total volume of sweat secreted [48]. The other two sweat
gland types, apocrine and apoeccrine, are primarily found in regions less accessible
for sweat sampling. Sweat secreted from apocrine and apoeccrine glands is also
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comparatively more complex [49]. For these reasons, eccrine sweat is mainly chosen
for sweat analysis.

The anatomical structure (Fig. 4) of the eccrine sweat gland extends from the
reticular dermis to the stratum corneum. In the dermis are the two main functional
units, the secretory coil and the dermal duct. The secretory coil is composed of
three cell types: clear, dark, and myoepithelial cells. Clear cells are responsible
for primary sweat secretion as is evidenced by the cells’ system of intercellular
canaliculi, glycogen, large amount of mitochondria, and high Na—K-ATPase activity
[50]. The function of the dark cells is not entirely understood; however, they are
known to secrete glycoproteins, dermicidin, and sialomucin and are necessary for
proper sweat secretion [51, 52]. The function of myoepithelial cells is primarily as
structural support for the secretory coil [50]. The dermal duct is composed of basal
and luminal epithelial cells. The function of the duct is reabsorption of Na* and C1~
as secreted sweat flows through the duct [49, 50].

Solutes that comprise secreted sweat’s composition include metabolites like
glucose, lactate, urea, amino acids, and creatinine; micronutrients like Mg2+, Ca?t,
iron, zinc, and vitamins like ascorbic acid; adrenal steroids like cortisol and dehy-
droepiandrosterone (DHEA); neurotransmitters like serotonin and dopamine; and
cytokines like IL-6, IL-8, IL-10, IL-31, and TNF-a [49, 53, 54]. Mechanisms and
correlations with blood plasma concentrations have not been fully established for
most of these solutes. Complicating these deficits in data are physiological factors like
sweat rate and sweat pH [52, 55], which can vary with sex, age, diet, weight, temper-
ature, etc. If they are not properly accounted for, these variabilities can negatively
affect the accuracy of measurements depending on the analyte. As such, WSSs may
require sensors for measuring sweat rate, pH, skin temperature, and ion concentration
alongside the biosensor for the analyte.

Fig. 4 An illustration
showing the basic anatomy
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4.2.3 Sampling Sweat

Traditional sweat sampling methods include the whole body-washdown tech-
nique, patches, polymer bags/films, and macroducts. The limited-use whole body-
washdown technique collects all sweat runoff to determine whole body-sweat elec-
trolyte loss [56]. Using absorbent patches is flexible and can be applied to specific
sites for sweat accumulation, but they may overestimate analyte concentration and
have time-consuming application processes [57]. Polymer bags/films and macrod-
ucts [58, 59] offer alternative collection methods but are also associated with
limitations such as sweat composition changes and inhibiting sweat evaporation.
Current approaches to sweat sampling for wearable transdermal biosensing aim to
actively collect secreted sweat for on-body analyte monitoring. These methods aim
to enable real-time, continuous sweat sensing with improved reliability and sensi-
tivity. Absorbent materials integrated with wearable sensors, microfluidic devices
with superhydrophobic/superhydrophilic surfaces, fabrics with moisture-wicking
properties, and controlled sweat secretion via the iontophoretic delivery of sweat-
stimulating drugs are emerging techniques that address some of the limitations of
traditional sampling methods [33].

4.3 Transcutaneous Gases

Despite the benefits offered by sweat-based analysis, the successful diagnosis of the
related problem is still a big challenge, sometimes resulting in misleading informa-
tion if a standalone sensor shows a signal change. For example, sensing potassium
levels in the sweat may provide incomplete status as they are invariant with sweat
rate and with normal physiological changes in the body. While change in sodium,
lactate, or glucose signals and the potassium signal holds steady, multiple sensor
could provide a solution for monitoring a real physiological event [60]. Alterna-
tive solutions involve the monitoring of transcutaneous gases that include volatile
organics and gases emanating through human skin (skin gas). Skin emanation gas
was firstly proved by Hirabayashi et al. with the releasing hydrogen gas and acetone
vapor from skin [61].

4.3.1 Volatile Organic Compounds (Vocs)

The commonly studied VOCs include acetone, ethanol, and ethylene having insight
into the health state of the human body. Diabetic patients have shown high acetone
concentration in their breath that can be used for diagnosis. Prompted by this, Kondo
et al. measured skin acetone concentration and its correlation with blood glucose for
regular examination of diabetes to avoid later complications [62]. However, this can
only be applied to patients with insulin therapy and not in regular patients on oral
medication or with controlled diet. Although the results have large deviations, they
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proved that the acetone concentration varied with the diabetic condition of the patients
diagnosed with diabetes. In other recent study, Misra et al. fabricated a wrist-worn
system to monitor skin acetone with output represented by the resistance change [63].
Their sensing system comprised commercial off the shelf components along with a
microcontroller and a rechargeable Li ion battery. They made a wristband form factor
constituting an array from four sensors (n-type metal oxide semiconductor-based gas
sensor, BMEG680) operated at different temperatures as the sensing modality. Due to
the reducing effect of acetone on the metal oxide, a decrement in the resistance
was detected. The acetone reacts with oxygen anions of metal oxide and increases
the carrier concentration thereby declining the resistance of the sensor. Besides the
instrumentation evaluation of the fabricated wrist-worn system, they provided real-
time analysis showing larger changes in the subjects with intermittent fasting than
the normal subjects.

Other volatile organic compounds (VOCs) such as ethanol and acetic acid are
also analyzed in recent studies and correlated with different health conditions for
example psoriasis [64]. One such study reported wearable e-nose constituting an
array of chemical sensors integrated in a wireless communication system [65]. The
array comprised eight elements formed by varying the printing patterns and sensing
materials (MWCNT/polymer films) to produce the cross responses toward different
analytes. The applicability was demonstrated with fabricated armband and corre-
sponding monitoring of ammonia, acetic acid, acetone, and ethanol. The electrical
responses of the fabricated system yielded discrete patterns to ammonia and acetic
acid unlike the similar patterns for acetone and ethanol. Another study reported the
skin gas sensor and named bio-sniffer for measurement of ethanol by using alcohol
dehydrogenase (ADH) [66]. It measured the change in fluorescence intensity of
nicotinamide adenine dinucleotide (NADH), as a result of oxidation of ethanol by
ADH. Later, it was modified as sniff-cam or skin gas cam extending the bio-sniffer
toward the measurement of the time-dependent spatial distribution of ethanol [67].

4.3.2 Trace Gases

Apart from the VOCs, skin gas also contains important trace gases such as NH3, NO,,
and CO, which have particular benefits in healthcare systems [68]. For example,
measurement of skin CO, can provide ventilation status of newborn infants along
with respiratory and cardiac status [69]. They constructed a wearable prototype for
monitoring transcutaneous CO, by employing polymer films (Poly(propyl methacry-
late), PPMA) with pH-sensitive fluorescent dye (8-hydroxy-1,3,6-pyrenetrisulfonic
acid trisodium salt or HPTS). Their sensor is based on the fluorescence changes of a
pH indicator while protonation or deprotonation. The fabricated device comprised a
microcontroller along with other electronics. The fluorescence response of the film
is monitored via intensity of the sensing film on interaction with CO; skin gas and
was found to be highly sensitive in the physiological CO, range. They proposed
that their future work will aim to make a CO, permeable scattering layer which
will not require heating for transcutaneous applications. Another study reported a
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new approach based on the initial pseudo steady state diffusion rate monitoring
for non-invasive measurement of transcutaneous partial pressure of carbon dioxide
(tcpCO,) [70]. They provided additional reliable data to compare their sensing device
with commercially available equilibrium-based transcutaneous monitor, Radiometer
TCM4, used for CO, monitoring in hospitals [71]. Radiometer TCM4 requires the
start-up at 37 °C and took 85 min before to provide meaningful results. Even at a
higher temperature of 42 °C, it requires 20 min to stabilize. Unlike this, their device
can provide immediate reliable data, almost independent of temperature by using a
rate-based approach.

Recently, Ahuja et al. reported the room temperature measurement of skin CO,
gas with an air permeable transcutaneous sensor comprising of polyaniline (PANI)-
based sensing material as shown in Fig. 5 [72]. Porous sugar-templated polydimethyl-
siloxane (PDMS) elastomer sponge (PP) was used as a matrix for PANI-based ink
(0xSWCNT-PANI) and fabricated using a dip coating method (Fig. 5a). The disper-
sant (Zn-Al) used for ink fabrication offered uniform active sites for the analyte
(transdermal CO, gas) as shown by TEM analysis (Fig. 5b). The interaction of CO,
with the sensor (partial extraction of electrons from PANI) resulted in an augmented
charge transfer interaction leading to increased response of the sensor. Besides the
sensor’s fast response and recovery (Fig. 5¢), it can selectively detect transcutaneous
CO; at room temperature, unlike the commercial devices operated at a high temper-
ature. Noteworthily, the deformability tolerance capability of the sensor opens up
novel opportunities for skin-compliant wearable systems.

5 The Case of Continuous Glucose Monitors

The Center for Disease Control and Prevention (CDC) reported [73] in 2022, that, in
the United States, 37.3 million people have diabetes and 96 million people aged 18 or
older are prediabetic. In the late twentieth century until the beginning of the twenty-
first century, personal management of one’s glycemic level exclusively required
pricking a finger to draw blood, then testing the glucose concentration of the blood
sample with a disposable electrochemical sensor integrated with a digital-readout
device. In the year 1999, Medtronic’s Minimed Gold became the first continuous
glucose sensor (CGM) to be approved by the FDA for market distribution [74]. The
device still required daily calibration via finger pricking; however, the decrease in
frequency of the pricking was a dramatic improvement to patients’ quality of life
and demonstrated the future healthcare potential of wearable biosensors.

CGM devices that sample ISF are currently the most commercially successful type
of WTB available on the market—being capable of long-term continuous monitoring
of their target analyte with analytical sensitivity and selectivity great enough [75]
for the devices to be used as either adjuncts to fingerstick blood glucose moni-
tors (BGMs) or replacements of fingerstick BGMs. A CGM [76] is any device
that can automatically track glucose levels throughout the day and night. Current,
commercially available CGMs use a small probe (Fig. 6), either inserted or implanted
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Fig. 5 a Photograph of the porous PDMS sponge (PP), oxSWCNT-PANI ink and fabricated sensor
(0xSWCNT-PANI/PP); b ADF-STEM micrograph of the oxSWCNT-PANI ink with schematic of
the fabricated sensor. EELS mapping of particular region in blue box. ¢ Response and recovery time
of the oxSWCNT-PANI/PP sensor in CO; gas sensing (5 ppm). d Schematic representation of the
probable CO; sensing mechanism of the sensor

deep in the dermis or into the hypodermis. The typical glucose sensor relies on the
oxidation of glucose catalyzed by glucose-oxidase after the molecule binds with
the enzyme. First-generation glucose monitors use oxygen as an electron acceptor/
redox mediator by using the electron from the oxidation of glucose to reduce oxygen
to hydrogen peroxide. Then the electron obtained from the oxidation of hydrogen
peroxide to water by the working electrode is detected by the change in current
at the working electrode. This change in current is subsequently correlated to the
blood-glucose concentration. These data are wirelessly transmitted to a handheld
device, thus providing the patient with real-time changes of their blood glucose levels
throughout the wear period. Some commercial CGMs still rely on first-generation
glucose sensing. Second-generation CGMs, that use artificial electron acceptors or
redox mediators, and third-generation CGMs, that use modified enzymes instead of
mediators, are becoming more prevalent in CGM technology [7].

CGMs share four key components: an enzymatic biorecognition element, an elec-
trochemical transduction element, a glucose limiting membrane, and interference
rejection [7]. Most CGMs use glucose oxidase (GOx) as the enzyme, which catalyzes
the oxidation of glucose. The generated electron participates in a redox reaction
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Fig. 6 Illustration of a continuous glucose monitor and first-generation detection of glucose. The
orange circle represents glucose, which is oxidized by glucose oxidase into glucono-8-lactone,
represented by the purple circle. The electron removed from glucose is ultimately used to reduce
oxygen dissolved in ISF to hydrogen peroxide, which is subsequently oxidized by the working
electrode to water

with a mediator molecule near the transduction element, detected amperometrically.
First-generation sensors relied on the H,O,—0, redox reaction but had issues with
unintended oxidation of other molecules. Second-generation sensors used artificial
mediators or glucose dehydrogenases (GDHs) as replacements but face stability and
toxicity challenges. Recent advancements aim to improve enzyme stability, electron
transfer rate, or eliminate redox mediators in the reaction. Incorporating GDHs into
commercial CGMs is still pending.

6 Discussion and Concluding Remarks

Within the past 5 years, WTB technology has slowly branched away from glucose
monitoring for diabetes management toward other analytes and applications. The
success of CGMs using ISF as the sampling fluid punctuates the viability of the
biofluid for other transdermal sensing applications and sets them as the gold standards
which other WTBs aim to emulate regarding sensitivity, selectivity, and longevity.
However, many aspects of their designs do not necessarily integrate well with alter-
native sampling methods or can be easily repurposed for the detection of biomarkers
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dissimilar to glucose. Sweat has been extensively investigated as a non-invasive
alternative to ISF for glucose monitoring. Correlations between sweat-glucose and
blood-glucose have been validated; however, they are still issues with reliable and
continuous sampling throughout the day due to uncontrollable environmental and
physiological factors—issues which extend to other wearable sweat sensing applica-
tions. To this point, monitoring transcutaneous gases has a clear advantage; however,
the technology is still in a nascent phase. The number of validated biomarkers that can
be detected as gases is currently limited. Regarding dissimilar biomarkers, enzymatic
recognition and subsequent amperometric detection is not always a viable strategy.
Two examples of such biomarkers, whose continuous monitoring has been repeat-
edly demonstrated and whose WTB had recent clinical success, are electrolytes and
hormones. A recent example of the former case, a zero-power, flexible microfluidic
patch [18] containing colorimetric assays, was shown to be effective at monitoring
CI™ and sweat rate for sports-related applications under various environmental condi-
tions. For the latter case, a wearable collection unit [77] connected to a portable liquid-
chromatographer/mass spectrometer was able to continuously monitor changes in
the concentrations of multiple adrenal steroids in ISF throughout patients’ daily
activities.

WTBs represent an emerging and variable class of medical devices that have
viable potential for improving point-of-care medicine. Their successful development
requires careful consideration of the interactions between the sensor and the biofluid
containing the target analyte. WTBs most often target sweat and ISF because they
contain a plethora of biomarkers and can be minimally or non-invasively sampled.
On-body detection of the target analyte(s) is normally done in situ using electrochem-
ical detection methods. Access to these biofluids for continuous, on-body monitoring,
however, is not trivial. WTBs for transcutaneous gases are an emerging technology
that, in comparison to ISF and sweat WTBs, have the advantage of continuous moni-
toring with minimal sensor degradation. However, there are few transcutaneous gases
that have been identified as viable biomarkers. So far, CGMs have been the most
successful WTBs, but that same success has yet to be replicated. However, recent
successes highlight the prospective benefits of the WTBs and herald its continuing
evolution into a staple of modern medical technology.
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Wearable Physical Sensors )
for Non-invasive Health Monitoring L

Cong Thanh Nguyen, Khoa Tuan Nguyen, Toan Dinh, Van Thanh Dau,
and Dzung Viet Dao

1 Introduction

Advances in sensing technology have revolutionized the way we approach health
care, with a particular focus on non-invasive methods for monitoring and managing
our health. Among the remarkable breakthroughs in this field, wearable sensors
have emerged as a promising solution, enabling continuous and real-time health
monitoring. These sensors use various sensing mechanisms to gather physiological
data and provide valuable insights into our well-being.

This chapter presents wearable physical sensors for non-invasive health moni-
toring, exploring the sensing mechanisms used, the concepts and capabilities of
human motion monitoring sensors, the advancements in heart rate and blood pres-
sure sensors, and the respiratory sensors. By understanding the principles behind
these sensors and their applications, we can unlock new possibilities for personalized
health care, early disease detection, and improved well-being.

The chapter is structured into four sections, each focusing on its key aspects as
follows.

Section 2 introduces a wide range of sensing mechanisms or sensing effects which
are used in wearable sensors for non-invasive health monitoring.

Section 3 explores the structure and working principle of sensors used for human
motion monitoring, with a specific focus on Micro Electromechanical Systems
(MEMS) sensors. One of fundamental aspects of health monitoring is understanding
human motion and activity. Human motion monitoring sensors, such as accelerom-
eters, gyroscopes, and magnetometers, enable the assessment of physical activity
levels, gait analysis, and the detection of abnormal movements. These sensors
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integrated into wearable devices can accurately track and analyze an individual’s
movements throughout the day.

Section 4 introduces heart rate and blood pressure sensors. The cardiovascular
system plays a vital role in our overall health, making heart rate and blood pressure
crucial parameters to monitor. Wearable sensors equipped with heart rate and blood
pressure monitoring capabilities offer a non-invasive means of tracking these vital
signs in real time. This section examines the different sensor technologies used for
heart rate and blood pressure monitoring and explores their potential applications in
non-invasive health monitoring.

Section 5 discusses the advancements in respiratory sensing technologies and their
applications in wearable devices for non-invasive health monitoring. Respiratory
function is a key indicator of overall health and plays a pivotal role in diagnosing
and managing various conditions. Wearable respiratory sensors have the potential to
monitor respiratory patterns and detect abnormalities without the need for invasive
procedures. These sensors, such as strain gauges, chest bands, and respiratory sensors,
offer a non-invasive approach to respiratory monitoring.

2 Physical Sensing Mechanisms for Health Monitoring

Different functional activities of the human body can be considered as stimuli for
transducing into electrical signals, such as heart rate, blood pressure, breath, joint
movement, and so on. A large number of wearable sensors have been developed
to monitor these stimuli based on different sensing mechanisms, including piezore-
sistive, thermoresistive, capacitive, piezoelectric, triboelectric, and optoelectronic
effects. The working principles of these sensing effects are presented in this section.

2.1 Piezoresistive Effect

The electrical resistance of a resistor is computed as a function of the resistivity (p),
length (7), width (w), and thickness (¢) as below

R=p— (D

The change in the resistivity and dimensions of the resistor causes the alteration
in the electrical resistance as below
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gilt)(l; cl)f tI;, gilcgallt lﬁ;?gsga?dge Materials Longitudinal gauge factors References
semiconductors Aluminum 3.1 [1]
Copper 2.9 [1]
Gold 4.48 [1]
p-Si[110] 120 [2]
n-Si [100] —133 [2]
p-Ge [111] 105 [2]
n-Ge [111] —155 [2]
n-GaAs [111] -89 [2]

where y is Poisson’s ratio of the material and ¢ = Al/[ is the strain in the longitudinal
direction.

Piezoresistive effect is the change in the electrical resistance under the applied
mechanical stress or strain. Gauge factor (GF) is commonly used to quantify the
piezoresistive effect, which is defined as below

__AR/R _ Ap/p

GF =—  +tU+2) 3)

&

As the resistivity of metals changes slightly under the applied strain, the gauge
factor of metals is quite small and mainly depends on the mechanical/geometric prop-
erties. In contrast, the charge carrier mobility of semiconductors changes significantly
under the applied stress or strain, resulting in a significant change in the resistivity
or conductivity. Table 1 shows the GF of typical metals and semiconductors.

The piezoresistive effect in semiconductors has been investigated since the first
experiment on the effect of strain on the electrical conductance of germanium and
silicon [3], followed by other theoretical studies. So far, the theoretical models of
the charge carrier mobility change under the applied stress or strain have been used
to explain the piezoresistive effect in semiconductors [4]. The general idea is that
the stress-induced modification of energy band diagram of semiconductors causes
the repopulation of charge carriers (holes or electrons) in the valence band and
conduction band, leading to the change in charge carrier effective mass and mobility,
consequently changing the conductivity [5].

2.2 Thermoresistive Effect

Thermoresistive effect is the change in electrical resistance with the temperature
variation. Therefore, the resistance is calculated as a function of temperature as
below

R =Ry(1+aAT + BAT*+...) 4)
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where « is the linear thermoresistive coefficient and f is the quadratic thermoresistive
coefficient.

The resistance of metals increases with temperature (o > 0), which is so-called
positive temperature coefficient of resistance (TCR). Low-doped semiconductors
have negative TCR since a large number of generated electrons and holes at elevated
temperature reduce the resistivity. Nevertheless, highly doped semiconductors could
have a positive TCR while they behave like metals and show small positive TCR at
very high doping (metallic degeneration).

Thermistors are created for extremely high TCR. Metal oxides, which are used
to make negative TCR thermistors, have considerably greater TCR than metals but
also highly nonlinear characteristics. These metal oxides are used to develop small
resistive temperature sensors. Some ceramic materials have high positive TCR, so
these materials change from low resistivity to high resistivity within a few degrees.
These ceramic materials are employed as temperature switches to protect electronic
circuits from overcurrent.

2.3 Capacitive Effect

The capacitance between two parallel conductive plates is calculated below

where g, V, A, d are the charge, voltage, overlap area, and distance between the two
plates, and € is the permittivity of the material between the two plates, defined as

€ = €9k (6)

where ¢ is the electric constant and « the dielectric constant.

The capacitive effect is the change in the capacitance between two conductive
plates, caused by the change in the distance (Ad), overlapped width (Aw), overlapped
length (Al), and permittivity (Ae€) between the plates. To maintain simplicity, both
w and [ are generally kept constant (Aw = 0, Al = 0). Therefore, the capacitance
is computed as below

wl
d — Ad

C = (e + Ae) (7
where A€ is the change in permittivity of the dielectric material and Ad represents
the change in the distance between the parallel plates.

The capacitance relies not only on the physical deformation (Ad) but also the
permittivity (Ae€). Depending on the chosen dielectric material, the capacitance
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between two plates can be greatly affected by temperature or humidity which alters
the permittivity significantly [6-8].

2.4 Piezoelectric Effect

Piezoelectric effect is the creation of mechanical deformation in some non-conductive
materials in reaction to the application of an electric field, or the creation of electric
charges on the surface of such materials when they experience a mechanical stress.

The piezoelectric effect can also be interpreted as electromechanical interactions
between mechanical states and electrical states. Here, piezoelectric constants are
defined to represent these linear and proportional relations. With the piezoelectric
constants being in the form of third-rank tensors, the electric field and displacement
as first-rank tensors, and the stress and strain as second-rank tensors, the piezoelectric
relations are formulated as below (i, j, k = 1, 2, 3)

Dy = dy; T;; ()

Sij = d;:ij Ek (9)

where Dy and Ej are the electric displacement and electric field, S;; and T;; are the
strain and stress components, and dy;; and d; ; are the piezoelectric charge and strain
constants.

The indexes of piezoelectric constants are generally represented by the reduced
Voigt notation dy,, with the index k designated for the electric displacement or elec-
tric field component in a reference Cartesian coordinate system (xi, x», x3), and
m(l, ..., 6) for specifying the stress or strain. Specifically, m = 1, 2, 3 stand for
the normal stresses along axes x|, x;, x3, while m = 4, 5, 6 are for the shear stresses
T3, T3, T12, respectively. Both dy,, and d}),, are the piezoelectric constants, however
their units are different.

2.5 Triboelectric Effect

Triboelectric effect is a type of contact electrification happening when certain mate-
rials are electrically charged after they contact and then separate from other materials.
Depending on different characteristics, i.e., the selected material, surface roughness,
exerted stress, the polarities, and strengths of the created electric charges are different.
For instance, amber can acquire an electric charge by the process of contact and sepa-
ration with other materials like wool. Glass and silk, or hard rubber and fur, are other
examples of materials obtaining a significant charge when rubbed together.
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Triboelectric materials are commonly listed according to the polarity of charge
separation when in contact with another material [9]. In this list, a material near the
bottom will acquire larger negative charge when it touches another one close to the
top, and vice versa. In other words, the greater the charge is transferred, the further
away two materials are from each other on the list. On the other hand, materials near
each other on the list may not exchange any charge or may exchange the opposite
of what is implied by the list. This depends more on other factors than the type of
material, such as rubbing, contaminants, and other properties.

2.6 Optoelectronic Effects

2.6.1 Photoconductive effect

Photoconductive effect is the change in the conductivity or resistivity of semicon-
ductors under the light illumination. This is explained by the generation of elec-
tron—hole pairs when incident photons are absorbed into the materials. Here, the
photoconductivity is defined as below

o =q(pen + unp) (10)

where ¢ is the electric charge, i, and p;, are the mobilities of electrons and holes,
n =no+ Anand p = pg+ Ap, where ng and p are the concentrations of electrons
and holes in the dark condition, and An and Ap are the created electrons and holes
under the light excitation.

The number of photogenerated charge carriers (An = Ap) can be expressed as

a-I-t
An=n———-— (11)
hv
where 1, hv,«a, I, and t are the quantum efficiency, incident photon energy,
absorption coefficient, illumination intensity, and carrier lifetime, respectively.

2.6.2 Photovoltaic effect

Photovoltaic effect is the generation of output voltage across p—n junctions under the
light illumination. The phenomenon is explained by the creation of electron—hole
pairs in the p—n junctions when illuminated by certain wavelengths. The created
electrons then move to the n-side while the generated holes transport oppositely
toward the p-side of the p—n junctions. The accumulation of photogenerated holes
and electrons in two sides of the p—n junction generates the output voltage [5, 10].
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3 Human Motion Monitoring Sensors

3.1 Importance of Human Motion Monitoring

Human motion is a vital physical capacity which is crucial for a large number of
daily activities. However, human mobility may be compromised by injury, aging, or
illness progression. In healthcare applications, the accuracy of characterizing human
motion is vital to diagnose, categorize, and manage a wide range of movements
and physiological disorders. Recently, the change in human movement has been
considered as a key factor not only in common and chronic diseases, such as heart
failure, diabetes, and stroke, but also in some motion disorders, such as Parkinson’s
disease and Huntington’s disease [11]. Therefore, maintaining and rehabilitating
human motion have been considered as an essential part of disease management. An
essential factor for enhancing motion rehabilitation in health care is to accurately
characterize comprehensive human motion. Thus, the function of human motion
monitoring sensors is to acquire real-time data, and then process to characterize
related movements.

In the past, human motion monitoring mostly relied on image processing, which
is known as camera-based human motion capture [12]. In this case, the movement of
multiple sensing elements attached to the body is used to determine the body motion.
This technique is effective; however, incorporating it into contemporary medical
systems, such as portable medical devices, is expensive and obtrusive. Other widely
used human mobility management sensors were wrist-worn systems which tracked
simple activities and provide data on aspects of body translation, for instance the total
step number and travel distance. Nevertheless, detailed analyses of the movements
of local body parts, such as arms or legs as well as their velocity, acceleration,
or rotational parameters, are necessary to properly characterize and comprehend
biomechanics and other complicated movements. Alterations in movements of these
components may be associated with disease, atrophy, and injury, while tracking the
recovery progress is crucial for effective rehabilitation.

In recent years, substantial advancements in microscale motion sensing tech-
nology have greatly aided the development of human balance prostheses, sports
medicine, radiotherapy, and biomechanical research [13—15]. Specifically, strong
toolkits for body motion detection have been made possibly by the fast development
of MEMS sensors with high precision, high reliability, and various functionalities.
Over the past two decades, MEMS sensors for motion monitoring have drawn a lot
of attention and are still a thriving research field.

3.2 Human Motion Monitoring Sensors and Methods

The most prevalent uses of human motion monitoring sensors are in the field of
health care. These applications include gait monitoring and motion capture. The most
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frequent use is for gait assessment because of its connection to cognitive impairments.
Besides, motion capture is used to gather data on human kinematics for motion
analysis or to look for potential illnesses.

3.2.1 Gait Monitoring

Gait analysis is currently a critical task in therapeutic and rehabilitation programs
because it supplies extensive knowledge about the gait quality, the behavior of the
gait pattern, and other dynamic aspects. The results of a gait study might also
provide information on a specific gait disease or impairment. Based on that anal-
ysis, customized therapies can be suggested. Currently, the most common wearable
sensors developed for monitoring human motion consist of inertial sensors, ultrasonic
sensors, and laser rangefinder systems.

Inertial sensors are becoming prevalent in studies of human mobility. An inertial
measurement unit (IMU) combining accelerometers, gyroscopes, and magnetome-
ters is the most common inertial sensors. Attaching to body parts such as chest, arms,
or legs, an IMU is capable of measuring their acceleration, rotation, and gravitational
force. Estimates of the gait phases and spatiotemporal characteristics can be made
using these parameters. IMUs are extremely resilient sensors since they integrate
multiple sources of data, yet they frequently need sophisticated fusion algorithms to
produce better estimations.

Accelerometers are the most popular choice when an outpatient gait analysis is
needed. They have significant benefits including compact size, high mobility, low
cost, and low energy consumption. Accelerometers can be used for both transla-
tion and rotational motions either with uniaxial or multi-axial configurations. These
sensors work based on Newton’s second law of motion and Hooke’s law. Different
sensing effects have been applied to develop accelerometers, such as piezoresis-
tive effect, capacitive effect, and piezoelectric effect. For example, a piezoresistive
accelerometer consists of a proof mass hung on surrounding beams which are fixed
at the middle to the frame, Fig. 1(a) [16, 17]. Nanowire p-type silicon piezoresis-
tors are embedded on the sensing beams. In human gait analyses, this piezoresis-
tive accelerometer is attached to a specific position of a human part. Depending on
the human motion, the gravitational force deforms the surrounding beams of the
accelerometer differently. This results in the resistance change of the piezoresistors,
which is converted to the change in output voltage by using the Wheatstone bridge
circuit.

Gyroscopes are sensors for measuring the angular velocity, using the Coriolis
effect to convert the rotational velocity to a measurable linear motion. This velocity
is not affected by the gravitational force. The structure of a symmetric and decoupled
gyroscope consisting of a proof mass hung by two sets of springs placed in perpendic-
ular directions is presented in Fig. 1(b) [18]. This creates two mass-spring systems in
perpendicular directions, working as linear accelerometers. However, these systems
have different functions of driving mode and sensing mode. Upon the rotational
movement of the frame around the third axis, the created Coriolis acceleration in
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Fig.1 a A three degrees of freedom MEMS piezoresistive accelerometer, b Design of a vibra-
tory gyroscope; and ¢ Design of a Lorentz-force MEMS magnetometer. Reproduced with
permission from [17-19]

the orthogonal orientation of the driving mode provides the input which is measured
by the sensing mode accelerometer. In gait analysis applications, gyroscopes can be
applied to measure the periodic and repeated rotational movement of different body
parts. Current commercial inertial sensors with accelerometer and gyroscope can
measure six degrees of freedom of both linear accelerations and rotational speeds.

Magnetometers, which measure changes in magnetic fields, are typically the
third sensing component of an IMU. These instruments measure the air magnetic
flux density and identify variations in the Earth’s magnetic field. For example, the
design of a torsional resonant magnetometer is illustrated in Fig. 1(c), working based
on the Lorentz-force principle [19]. This magnetometer is fabricated on a glass
substrate, consisting of a coil, torsional beams, capacitance plates, and silicon resis-
tors. When the electrical current in the coil is placed in an external magnetic field,
the generated Lorentz force causes the displacement of the torsional structure. This
displacement is measured by two sensing capacitors fabricated on the torsional struc-
ture, then the external magnetic field can be determined. Magnetometers are often
employed to improve the accuracy of IMUs by determining the direction toward
Earth’s magnetic North. Commercial inertial sensors with accelerometer, gyroscope,
and magnetometer are considered as nine degrees of freedom IMUs.

Ultrasonic range sensors determine the distance to a target object by converting
the reflected sound of ultrasonic waves to a measurable electrical signal. For example,
gait parameters are estimated by determining the distance between human feet and
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the ground [20]. Other parameters that can be measured consist of the step length,
stride length, and distance between two steps.

Laser range finders are optical sensors that measure the distance of an object using
infrared laser beams. These systems typically comprise a transmitter that sends out
laser pulses on a rotational frame to measure distance at various angles. The required
duration since the laser beam is sent out reaches the object, then goes back, and is
recorded according to the time-of-flight principle. For example, these sensors are
positioned in the user’s front at about his knee level to track the position of user legs
in walker-assisted applications [21].

3.2.2 Joint Movement Monitoring

Among different wearable techniques in joint movement analysis, there are three most
prevalent used sensors, including optical sensors, inertial sensors, and textile-based
Sensors.

Optical sensors measure the alteration in light transmittance. Optical sensors
consist of three main parts: a light source, an optical fiber, and a photodetector,
Fig. 2(b) [22]. A light beam is generated by the light source, then its intensity after
traveling through the optical fiber is measured by the photodetector. To monitor the
joint movement, the light source and photodetector are attached on the upper half
and lower half of a joint. By measuring the attenuation of beam intensity, the optical
sensor can determine how the optical fiber is bent. The immunity to electromagnetic
noises is a significant advantage of optical sensors in comparison with other methods.

Inertial sensors including accelerometers, gyroscopes, and magnetometers are
normally integrated in an IMU. In this case, the joint alignment using two IMUs
must be applied to calculate a joint angle accurately, Fig. 2(a) [22]. First, typical
joint movements are based on to define a collection of postures for aligning these
IMUs. The calculation of the joint angle is then obtained by fusion algorithms. Later,
based on the data achieved by these algorithms, errors are assessed by comparing with
those of a reference system. Finally, calibration functions are proposed to compensate
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joint movement monitoring. Reproduced with permission from [22, 23]
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the errors. This technique can be used to track complicated movements of different
joints, such as elbow, ankle, and knee.

Textile-based sensors for example flexible conductive wire and strain sensors are
ideal for making wearable joint monitoring systems. These sensors work based on
the monitor of resistance change which corresponds to the joint angle. Textile-based
sensors are a great option to create wearable monitoring devices because of their flex-
ibility, simple structure, and easy integration into stretchable skin-tight fabrics. For
instance, a flexible conductive wire sensor was integrated into stretchable garments
for joint bending measurement, Fig. 2(c) [23]. In this case, a single conductive wire
was fabricated in the fabrics around the knee, then the resistance change of this
wire was measured to determine the knee bending. Another example is a textile-
based wearable strain sensor that employed conductive yarns as a sensing element.
A variety of textile-based materials with preferred conformability and elasticity were
selected for developing wearable systems.

4 Wearable Heart Pulse and Blood Pressure Sensors

4.1 Importance of Heart Rate and Blood Pressure
Monitoring

As the central organ of the circulatory system, the heart pumps blood that carries
oxygen and nutrients to all parts of the body. Therefore, measuring heart rate and
blood pressure can provide valuable data to predict potential cardiovascular diseases
such as atrial fibrillation, coronary heart disease, heart attack, heart failure, and
stroke. With rapid technological developments in materials, devices, and integration,
wearable heart rate sensors have been becoming mainstream devices for contin-
uous and real-time monitoring of heart conditions. Currently, heart rate monitoring
is a must-have function in commercial wearable devices, such as Apple Watch,
Fitbit, and smart bands [24, 25]. Most of these commercial devices utilize either
optical-based—photoplethysmography (PPG)), or electrical-based—electrocardio-
graphy (ECG) transducers. The former technology monitors the heart rate by the
reflection of light beams penetrating the blood flow through arteries, whereas the latter
measures the body electrical signals to estimate the heart rate. Despite the tremen-
dous commercialization progress of these two technologies, there are considerable
obstacles that hinder their accuracy and reliability. For instance, due to employing
optical-based methods, PPG is greatly affected by ambient lights, skin tones/colors,
relative distance between devices, and the artery; meanwhile, ECG strictly requires
multiple electrodes attached to the skin that typically cause discomforts and reduced
performance with wearing durations due to sweat and the varying skin contact. To
break through the current limits, tremendous efforts in device development and inte-
gration have been devoted toward high precision, and miniaturization wearable heart
rate monitoring devices. For instance, strain-based MEMS heart rate sensors [26,
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27] were introduced that can accurately measure blood pressure and pulse waves
without the skin effect. Beyond the widely available information regarding commer-
cially available PPG- and ECG-based devices, this section will focus on the latest
research on micro-electromechanical system (MEMS)-based wearable sensors for
heart pulse monitoring (HPM) or blood pressure monitoring (BPM).

4.2 Heart Rate and Blood Pressure Sensing Methods

Monitoring blood pressure and heart pulse can provide a range of quantitative evalu-
ations and diagnostics for cardiovascular diseases and health conditions. Compared
with inflatable brachial arm cuffs, wearable sensors yield real-time, continuous data
for the variation of blood pressure during daily activities or exercise so that more
insightful quantification of heart conditions can be gathered [30]. Blood flow is cycled
around the body by a periodic pump pressure from the heart. A BPM sensor typi-
cally acts as a strain transducer unit placed on a skin site just above a blood artery,
Fig. 3(a). When the heart pumps a blood flow, blood vessels expand and lead to the
deformation of skin and the sensor. The sensor then translates the mechanical defor-
mation into electrical signals (i.e., resistance, capacitance, voltage, triboelectric, and
optical) recorded by electronic circuit and data logging units. This artery pulse wave-
form can be extracted as non-invasive medical diagnosis information containing the
heart rate, arterial blood pressure, and blood vessel stiffness [31, 32]. These data are
useful for the prediction of cardiovascular diseases such as atherosclerosis, coronary
heart disease, and peripheral arterial disease [29].

There are two stages of a pulse waveform: the ascending and descending stages.
The ascending stage corresponds to the expansion of the artery during the ventricular
contraction, whereas the descending stage occurs with ventricular diastole, Fig. 3(b).
Corresponding to different states, the blood pressure varies as a waveform with
three distinct “waves”: percussion (P) wave, tidal (T) wave, and diastolic (D) wave,
Fig. 3(c). As such, P-wave and T-wave are the early and late stages of the systolic
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peak pressure, respectively; and D-wave refers to the diastolic pulse waveform in
the diastole stage [33]. These pulse wave peaks are important parameters to clin-
ically validate cardiovascular conditions. For instance, quantitative indicators can
be derived to assess the arterial stiffness corresponding to health status and age,
including radial artery index, Air, defined as the amplitude ratio of P-wave and
T-wave, and the time delay, ATpyp, between the P-wave and T-wave peaks.

4.3 Heart Rate and Blood Pressure Monitoring Sensors

There are various types of sensing systems that are used in wearable heart pulse and
blood pressure monitoring as summarized in Fig. 4. Therefore, a system classifica-
tion can be applied based on the strain or displacement transducing mechanisms to
record heart pulses and blood pressure. Wearable BPM devices adopt various phys-
ical sensing effects, aforementioned in Section 2 of this chapter, showing difference
advantages/disadvantages that are applicable for variety of case scenarios.
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Capacitive effect-based BPM sensors are among the most commonly used
owing to their low power operation and immunity to thermal noises from capacitive
sensing elements. The capacitive readout and configuration can also be applied to a
wide range of conductive and semiconductive materials making it widely adoptable
in wearable BPM devices. As such, a MEMS capacitive pressure sensor element
was used to detect arterial pulse waveform to predict atrial fibrillation [29]. The
rated power consumption was reported as low as 5 wW at 3.3 V power supply and
100 kHz readout frequency, indicating the suitability for the long-term and contin-
uous recording. Flexible nanocomposites were also preferable choices for capacitive
BPM. A composite nanofibrous scaffold structure was reported with low-pressure
detection limit and high stability across a wide pressure range [34]. Due to the soft
nature of the composite, it exhibited good mechanical strength and resilience, high
dielectric constant, and low hysteresis in radial artery pulse wave measurements.

Piezoresistive effect-based BPM sensors have been widely adopted for pulse
wave monitoring due to the simple readout, wide range of material compatibility, and
miniaturization. As such, a flexible multiplexed strain-gauge sensor fabricated from
Pt-coated polymeric nanofibers was presented that can sense the heartbeat pattern
[35]. Due to its highly directional selectivity and low detection range down to 5 Pa,
the wearable sensor could accurately measure pressure variation in blood vessels
while minimizing the cross-talk of shear strain by utilizing fiber-to-fiber contacts.
This effect can also be utilized together with other biophysical signal recordings. A
pressure-based miniaturized MEMS sensor with simultaneous measurement of pulse
wave and respiration rate was successfully demonstrated [27]. The pressure sensor
utilizes resistance change upon the bending of a micro cantilever structure to measure
differential pressure down to 0.01 Pa. This extremely low-pressure threshold allows
for the simultaneous recording of pulse wave and respiration rate when integrated in
an eyeglass. However, it is still demanded for further developments to minimize their
power consumption and thermal drift to make it more suitable for continuous BPM.
Due to the transducer nature of the piezoresistivity, this type of BPM sensor does
not require a power source which is preferable for continuous and wearable devices.
Therefore, research efforts have been devoted to lower their frequency regime. A
passive wearable BPM piezoelectric sensor was introduced with enhanced weara-
bility, electric safety, and reliability [33]. The wearable device was able to measure
radial pulsilogram and apex cardiogram with high signal-to-noise (SNR) ratio at the
applicable frequency range of heart pulse patterns. The kind of BPM sensors can
record the consecutive phases to identify the peaks including P-, T-, and D-waves
of the cardiac pulse wave. Despite not requiring a power source, this type of BPM
sensors is typically not capable in measuring at low frequencies (e.g., below 1 Hz),
making it not universally usable for all BPM ranges.

Triboelectric nanogenerator-based BPM sensors is a new class of wearable
devices that shows great potential for human health monitoring and specially BPM
sensors. These devices can convert human motions during daily activities or exer-
cise into electric power that are sufficient for powering sensing devices. This unique
feature positions it as a promising candidate for wireless and self-power BPM devices.
A triboelectric nanogenerator driven by wireless body sensor network real-time
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human heart-rate monitoring [36]. The device could convert up to a maximum power
of 2.28 mW from inertia energy when walking with a high conversion efficiency at
58%. However, the sensitivity and detection of this BPM type are still limited and
require further research and development for new material and device integration.
Optical based BPM is the most widely adopted transducing mechanism in
commercial products due to its ease of use. Researchers have been continuously opti-
mizing system design and readout schemes to overcome these limitations. A 590 nm
(yellow-orange) wavelength-based optical system was introduced for BPM devices
[37]. At this chosen wavelength, there was improvement in the signal quality of
PPG from varied skin tones, indicating the effective utilization of longer wavelength
as optical emitters in the wrist-based wearable BPM. Due to significant influences
by skin variations of the wearer such as colors and thickness, more efforts are still
required to minimize the discrepancies in developing optical based BPM systems.

5 Respiratory Sensors

5.1 Importance of Respiratory Monitoring

Respiratory monitoring is a critical task in hospital settings, particularly for patients
with respiratory issues, such as chronic obstructive pulmonary disease (COPD),
asthma, and sleep apnea. Continuous monitoring of respiration will provide useful
information about the respiratory rate, depth, pattern, and overall lung function of
patients. Data collected from respiration assists healthcare professionals analyze and
deal with respiratory disorders and assess treatment effectiveness, as well as identify
potential problems.

Respiratory sensors are also used as an effective tool for early detection of respira-
tory issues. Their rapid and accurate monitoring of respiratory signals is essential for
timely intervention and ensuring the safety of patients. Respiration sensors can detect
abnormal breathing depth and rate and their deviations, patterns, or signs of respi-
ratory distress. This early warning sign enables healthcare providers to act quickly
and prevent severe problems, especially in anesthesia and in high-risk settings such
as intensive care units [38].

In the optimization of sports performance, respiration monitoring will help
athletes and coaches understand the impact of breathing activities on performance.
Data is used to determine optimal breathing patterns during training and exercises
and identify areas for improvement. Respiration sensors provide real-time signals
and information about breathing rate and volume, allowing athletes to optimize their
breathing duration for enhancing the endurance and maximizing their performance.
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5.2 Design of Respiration Sensors

To accurately measure respiration signals, it is crucial to design wearable sensors
capable of monitoring respiration with a high signal-to-noise ratio. These sensors
operate based on the sensing mechanisms discussed in previous sections. They
are capable of detecting various factors, including temperature, humidity, airflow
velocity, as well as the movement of the chest and abdomen during breathing. The
primary objectives in designing wearable respiration sensors are to ensure wear-
able functionality with high sensitivity and fast response. This necessitates careful
selection of materials and structural designs to determine the sensors’ sensitivity.

There are various types of systems that include wearable respiratory sensors
available for monitoring respiration. These include the following.

Chest bands are a wearable device that is worn around the chest to monitor respi-
ratory activity, Fig. 5. Respiratory sensors are integrated into the belts to detect
the expansion and contraction of the chest during breathing. These sensors, often
based on piezoelectric or strain gauge technologies, can measure the changes in the
circumference of the chest as the user inhales and exhales. The detected movements
are converted into electrical signals that can be analyzed to obtain information about
respiration.

Sensor patches are wearable devices that are designed in the form of adhesive
patches or sticker sensors that are applied directly to the body to monitor respiration,
Fig. 5. These patches contain adhesive sensors and electronic components that can
detect and measure various aspects of respiratory activity. These sensors typically
work based on piezoelectric or capacitive effects, which are embedded within the
patch and are in direct contact with the skin to capture the relevant signals. The special
case of the sensor patches is a sensor that is attached to the philtrum and directly
measure temperature or pressure, or flow induced by exhalation or inhalation.

In recent years, respiration sensors are integrated into a mask, Fig. 5. The sensors
embedded in the mask can detect the airflow during breathing. They utilize various

Strain serson

Bandsbeas /

Fig. 5 Wearable respiratory sensors which are fixed in mask, incorporated into belts and patches to
detect respiration activities (humidity, temperature, airflow, strain, and pressure). Reproduced with
permission from [39]
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Fig. 6 A graphene respiration sensor that detects humidity changes. a The photograph of a graphene
sensor attached in a medical breathing mask, b the current—voltage (I-V) characteristics of porous
graphene network at different temperatures, ¢ the resistance changes with breath and apnea, d the
resistance changes to fast, normal, and deep breathing, e the resistance changes to breathing when
fixed to mouth and nose. Reproduced with permission from [40]

sensing effect such as triboelectric, allowing the relevant respiratory signals to be
captured with high sensitivity.

5.2.1 Humidity Sensors

The sensitivity of humidity-based respiration sensors depends on the selection of
suitable materials. These sensors measure changes in humidity caused by breathing
and require materials that are highly responsive to moisture variations. Designers
consider materials with excellent hygroscopic properties, such as certain polymers
or hydrogels, to enhance the sensitivity of the sensors to humidity changes associated
with respiration. The typical structure of humidity sensors include a thin film or
a porous three-dimensional structure [40]. Fig. 6 shows an example of a porous
graphene-based humidity sensor which is incorporated into a medical breathing mask
for monitoring of respiration [40] (also see Fig. 5 for medical masks used for humidity
measurement). The sensor can detect normal, deep, fast and apnea [40].

5.2.2 Strain Sensors

The strain sensors are typically integrated into a belt or band (Fig. 5). Strain-based
respiration sensors rely on detecting the deformation or stretching of the sensor
caused by chest and abdominal movements during breathing [41]. Various structural
designs are employed to improve the sensitivity of these sensors. This can include
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incorporating specialized patterns or microstructures that respond to strain varia-
tions, allowing for more accurate and sensitive measurement of respiratory move-
ments. Additionally, the use of advanced fabrication techniques, such as microelec-
tromechanical systems (MEMS) or nanomaterials, can enhance the sensitivity of
strain-based respiration sensors.

5.2.3 Pressure Sensors

Pressure sensors measure the flow-induced pressure on a sensing structure such as
triboelectric fibers [42]. The development of pressure sensors for respiration moni-
toring has advanced toward self-powered sensing capability. Self-powered genera-
tion capability is a desirable feature in wearable respiration sensors. It allows the
sensors to generate or harvest energy from the body movements or the surrounding
environment, eliminating the need for external power sources or frequent battery
replacements. This energy harvesting capability can be achieved through the integra-
tion of piezoelectric materials or triboelectric nanogenerators into the sensor design.
Fig. 7 shows the recent design of respiration sensors based on the triboelectric effect
induced between two fibers [42]. The sensors are typically integrated into a mask
which converts the flow-induced pressure into electricity. These energy conversion
mechanisms enable the sensors to convert mechanical motion or vibrations into
electrical energy, ensuring long-term and sustainable operation.
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Fig. 7 Respiratory sensors embedded on mask based on triboelectric effect of fibers. a Wearable
triboelectric sensors embedded on mask, b working principle of fiber-based triboelectric sensor,
c response of sensor under different frequency, and d long-term stability of the sensor. Reproduced
with permission from [42]
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Fig. 8 Carbon nanotube fiber-based thermal sensor for respiration monitoring. a Sketch of a wear-
able thermal flow sensor affixed to human upper lip; b The resistance changes corresponding to
nose breathing conditions. Reproduced with permission from [43]

5.2.4 Thermal and Flow Sensors

Exhalation leads to an increase in the temperature of the surrounding environments
and increase in the airflow. To detect the temperature changes, temperature sensors
can be utilized as respiration sensors. In order to achieve high-sensitivity measure-
ment of respiration, hot-wire and hot-film thermal flow sensors can be employed.
Hot-wire or hot-film flow sensors are supplied by a large electric current that causes
a temperature rise due to the Joule heating effect. The breathing airflow cools the
sensing elements (i.e., hot wire or hot film) down, and its resistance change (according
to the piezoresistive effect) can be detected. Wearable thermal flow sensors are typi-
cally attached to human nostrils to enable the detection of these temperature changes.
Fig. 8 shows a wearable thermal sensor using carbon nanotube yarn as a hot wire for
measuring the direct airflow [43].

6 Conclusion

This chapter has provided an in-depth exploration of various physical sensing mech-
anisms and sensor technologies utilized in wearable devices for non-invasive health
monitoring, including human motion monitoring, heart rate and blood pressure
sensing, and respiratory monitoring. It also highlighted the significance of human
motion monitoring, heart rate and blood pressure sensing, and respiratory moni-
toring in achieving continuous and accurate tracking of human physiological data.
These advancements open up new possibilities for personalized health care, early
disease detection, and improved overall health and life quality. As research and tech-
nology continue to evolve, wearable sensors are expected to play an increasingly vital
role in transforming the way we monitor and manage our health. Further advance-
ments in miniaturization, accuracy, and integration with other healthcare systems
will enhance the capabilities of these sensors, enabling even more comprehensive
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and precise monitoring. The potential for seamless integration with mobile appli-
cations and cloud-based IoT (Internet of Things) platforms will further empower
individuals to take charge of their health, fostering a proactive approach to well-
being. The journey toward transforming the way we monitor and manage our health
is ongoing, and wearable sensors are at the forefront of this transformative wave.
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for Continuous Screening of Interstitial

Fluid: A Journey Toward Lab Under

the Skin

Lakshmi R. Panicker, M. R. Keerthanaa, and Kotagiri Yugender Goud

1 Introduction

Wearable sensors have attained enormous interest recently due to their plethora of
applications. Today’s healthcare system focusing on proactive care, prevention, and
early diagnostics of diseases requires decentralized, portable, miniaturized, user-
friendly, sensitive, and reliable sensors which cannot be achieved by traditional
healthcare systems that rely on blood and urine [1]. Blood being the common source
of biomarkers has limitations with accessibility, while biofluids like saliva and urine
have issues with concentration and biomarker numbers. On the other hand, ISF
is a unique source of biomarkers, also carrying almost all the analytes found in
the blood [2]. The sensors can be integrated into watches, rings, bracelets, contact
lenses, textiles, mouthguards, etc., depending upon their applications. Wearable
sensors can be either in non-invasive or minimally invasive fashion [3, 4]. Among
the various wearable platforms, microneedle (MNs) sensors have attained greater
interest recently since it has greater advantages such as being minimally invasive in
nature, able to access the biofluid (ISF) continuously, and, moreover, the ISF is a
structurally less complex biofluid than the others. ISF was previously accessed with
blister approaches, planted wicks, and micropipette insertion, but in recent days this
ISF extraction is mostly done with the MNs [5].

Microneedles can potentially be used for continuous monitoring and detection
of different targets such as therapeutic drugs, alcohol, lactate, physiological ions,
amino acids, urea, and most significantly in the monitoring of glucose. In the near
future, these microneedle sensors will be able to monitor several types of analytes;
that’s the reason we are calling these MN sensing technologies “Lab Under the Skin”.
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Analytes in ISF can be either detected directly by penetration of MNs through the skin
or ISF can be extracted with MNs and further detection can be carried out in-vitro,
considering geometry (length, diameter, size, and shape) and biocompatibility of the
material used in MN making. The fabrication of MNs has been done in various ways
such as hollow, solid, and hydrogel-based or porous forms. Fabrication of hollow
MNss is complicated compared to solid and porous. Solid types of MNs are generally
used in sensors with integrated electronics, owing to their advantages like ease of
fabrications, and sharp tips that are helpful in case of drug delivery solid MNs [6].
Abnormalities like inflammations and burn injuries can reduce the ISF flow and,
thereby, can be detected by a drop in ISF concentration. In the real-time applications
of biomarker monitoring, MNs themselves may not provide satisfying results; hence,
it has to be surface-modified with bio/chemical recognition element coatings which
can be used based on the analyte [7].

This chapter has been constructed with discussions including the importance of
ISF biofluid, fabrication protocols of microneedles, the delivery performance of
microneedles, and sensing application of microneedles toward the continuous moni-
toring of physiological ions, biomarkers, and therapeutic drugs. Finally, we discussed
the future prospects of microneedle devices in sensing and deliver.

2 Importance of Interstitial Fluid (ISF) in Sensing

Interstitial fluid formed by trans capillary filtration is considered to be an alternative
to blood, as a source of biological information for continuous monitoring of various
biomarkers and therapeutic drugs. ISF is rich in biological components that are found
in blood, 79% similar components, while ISF has only smaller protein molecules and
misses out larger protein structures present in plasma and some biomarkers that are
unique to ISF and not available in serum [8—10]. In terms of volume, ISF present in
the human body is at least three times more than blood [11]. The analytes present
in ISF come from blood through continuous capillaries [12]. It also proves to be
more advantageous than blood in the aspect of coagulation-free characteristics [8].
Initially, implanted probes were used for ISF-based sensors to investigate limited
biomarkers. However, in order to make wearable sensors less painful, minimally
invasive microneedle-based sensors were developed.

Microneedles can be defined as an array of microscale cones or pyramid-shaped
protuberances. Microneedles are less than 1 mm in length and width and can penetrate
the epidermis of the skin and reach the dermis layer (rupture of stratum corneum takes
places), thereby preventing blood capillaries or nerve endings from damage [5, 13,
14]. Microneedle sensors are now used to simultaneously monitor physiological ions
such as sodium (Na*), potassium (K*), and calcium (Ca?*) in plants and animals.
This electrolyte balance can provide personalized health care and help in smart
agriculture [9]. Similarly in the recent study by Xinshuo and coworkers, the fluctu-
ations in these ions were monitored using 3D assembled microneedle arrays [10].
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Ex vivo studies with chicken and porcine skin, K* was detected with microneedle-
based sensor, where a robust potassium sensor was developed with stainless-steel
microneedle arrays covered with different coatings and reference electrode fixed with
a flexible polymer substrate [15]. Lithium (Li*) levels in ISF can also be monitored
with spectroscopic methods after ISF is extracted from the porcine skin samples using
microneedle as a tool for extraction; this is a kind of therapeutic drug monitoring since
patients with bipolar disorder (chronic in nature) are first prescribed with Li-based
drugs [16]. Chronic diseases like Parkinson’s disease, Alzheimer’s, etc. need contin-
uous monitoring of therapeutic drugs in the patients. ISF-based microneedle sensors
can be employed in such applications. Researchers have developed sensors for the
continuous monitoring of apomorphine and Levodopa using ISF as a biofluid. The
advancement in these sensors is believed to guide dose regulation and personalized
drug dosing [17, 18].

Among various biomarkers present in the ISF, glucose detection and monitoring
have been most attractive due to the prevalence of diabetes all over the world. From
a medical perspective, biofluids such as saliva, tear, and sweat are interesting but
may not be very much suitable for glucose monitoring; here, ISF comes into play
offering a good correlation with blood glucose levels. Recently, continuous moni-
toring of glucose has been achieved through the self-powered wearable sensor where
a colorimetric glucose paper integrated microneedle patch [19]. Other biomarkers
like lactate, alcohol, etc., which have significant roles in the body, are detected with
microneedle sensors in ISF.

3 Fabrication of Microneedles

The performance of the microneedle-based sensor is highly dependent on the geom-
etry, shape, and size of the microneedles used. So, fabrication is an important step
in developing a microneedle sensor. Microneedle fabrications consist of two major
steps: one is the development of three-dimensional (3D) computer-aided designs and
the other one is the printing of the microneedle electrodes. Usually, these 3D model
designs are prepared with software like CAD, Fusion 360, SOLIDWORKS, etc.
Generally, microneedles are fabricated using 3D printing technology, and this tech-
nique offers rapid designing of customizable microneedles with the desired shape
and size [20]. Lithography is also one of the important fabrication strategies in the
preparation of microneedles. Based on the structure, microneedles are broadly clas-
sified into two types—hollow and solid. Figure 1 displays the tree diagram of hollow
and solid microneedles sensors including their making materials.
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Fig. 1 Classification of microneedles

3.1 Hollow Microneedles

Hollow microneedles have an empty cavity inside each needle and a bore on the
needle tip. In early times, hollow MN was created in 2D arrays with in-plane fabri-
cation. These 2D arrays faced many limitations like the limited number of needles in
an array. Hence, 3D hollow MN arrays replaced them. The general methods of fabri-
cating 3D hollow MN are lithography, laser cutting and ablation, metal electroplating,
isotropic and anisotropic etching, and micro-molding, and the main substrates for
hollow MN fabrication include ceramics, metal, silicon, and glass [21]. Silicon-
based hollow MN is created using plasma etching and photolithography methods.
In plasma-based etching, also called reactive ion etching (RIE) [22], a gas is excited
into a reactive state, facilitating reactions between the gas and the substrate. The
silicon substrate can be either monocrystalline or polycrystalline. Hollow MN can
be developed using 3D laser cutting with metal substrates like stainless steel, palla-
dium, titanium, etc. Vinay Kumar et al. fabricated a hollow stainless-steel MN using
electron discharge machining (EDM) followed by the laser micromachining tech-
nique [23]. The fabricated MN array showed high mechanical strength and could
obtain good fluid flow characteristics. They have got desired geometry and shape
using computer-aided design (CAD) software. Davis P. et al. created a nickel hollow
microneedle array by a modified LIGA process using polyethylene terephthalate as
molds [24]. The microneedle array displayed proper insertion into the skin without
breaking and also showed excellent insulin delivery performance.

Hollow MNs can be used to monitor various biomarkers from the ISF by piercing
the skin’s stratum corneum. This gives a better alternative for blood-based diagnosis.
Ribet et al. focused on real-time glucose monitoring by placing an electrochemical
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sensing probe in the lumen of a single hollow silicone MN, which relies on capillary
filling action rather than conventional invasive blood extraction [25]. The smaller
size of the device ensures that the MN is in direct contact with the ISF, and it is
flexible to wear on various body parts. Nicholas et al. [26] reported a device for
the detection of glucose in ISF using an enzyme-based colorimetric glucose sensor
attached to the backplate of polymeric hollow MN. Li et al. [27] developed a hollow
MN sensor for detecting both glucose and cholesterol by coupling the MN with a
paper-based sensor.

The application of hollow MN can be extended to drug delivery as well since the
hollow needle can act as a carrier for the specific drug. Ryan et al. [28] developed
a hollow MN array from polycarbonate via the micro-molding technique for the
transdermal delivery of Escherichia coli-specific bacteriophages for the potential
treatment of infectious diseases. The study confirmed that bacteriophages can be
successfully transferred to the blood via hollow MN. Davis et al. [29] explored the
usage of hollow MN for insulin delivery to diabetes-induced rats. Due to their smaller
sizes, hollow MN can be used for drug delivery in the case of ocular diseases. Morales
et al. [30, 31] used hollow MN to deliver sulprostone, a prostaglandin antagonist,
to assess the decrease of intraocular pressure (IOP). Hollow MN delivery enabled
significant dose sparing to that of topical administration. Jiang et al. investigated the
intrascleral delivery of solutions containing soluble molecules, microparticles, and
nanoparticles to overcome conventional invasive procedures.

Researchers have deeply studied the applicability of hollow MN for vaccine
delivery also. Van der Maden et al. [32] developed a silica-based hollow MN produced
by HF etching for the intradermal delivery of inactivated Poliovirus vaccine (IPV) in
rats. The group compared the immune response of the MN-delivered vaccine and the
conventional hypodermic needle-delivered vaccine. The studies got similar results
for the above two methods. Du et al. [33] investigated the delivery of diphtheria
toxoid (DT) encapsulated in silica nanoparticles in mice using hollow MNs. Ogai
etal. [34] studied intradermal (ID) and subcutaneous (SC) delivery of vaccines using
a hollow MN array and 27-G stainless needles, respectively, for the administration
of mumps and varicella vaccines in rats. Pamornpathomkul et al. [35] explored the
use of hollow MN for the administration of plasmid DNA-encoding ovalbumin and
found that there was an increased IgG antibody production upon intradermal vaccine
delivery.

3.2 Solid Microneedles

Solid microneedles are considered as second-generation microneedles, developed
after the hollow ones. Like the hollow MNs, solid MNs can also be used for sensing
purposes as well as for drug delivery. Solid microneedles have no passage [36,
37]; hence, they are used as a pre-treatment to create channels in the epidermis
for collecting various biomarkers for the detection or for delivering a desired drug.
In the case of drug delivery, small patches [37] containing the drug are introduced to
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Fig. 2 Different fabrication
methods for solid
microneedles [38]

the skin surface where channels are created. As in the case of hollow MNs, substrate
selection is an important process while developing a solid MN too. Degradable
and non-degradable substances are used to fabricate solid MNs. Non-degradable
substrates consist of silicon, metals, ceramics, etc. Out of these, metals are consid-
ered the best. They have adequate mechanical strength to pierce the skin to create
channels. Biodegradable materials have the added advantage of biocompatibility
over non-biodegradable substrates. Many polymers like polyglycolide, poly(l-lactic
acid), polydimethylsiloxane (PDMS), polycarbonate, poly(methyl methacrylate),
etc. are used for fabricating solid MNs. The most popular fabrication methods of
solid MNs are Surface micromachining, Micro-molding, Photolithography, Chem-
ical etching, Laser ablation, etc. Figure 2 illustrates the schematic representation of
solid microneedle fabrication methods.

Solid MN arrays are mainly used for drug delivery purposes. Wang et al. [39]
developed a SU-8 polymer-based solid MN by lithography. He combined the fabri-
cated MN with CNT nano filters for delivering three different biomolecules: glucose,
insulin, and hemagglutinin. The transdermal delivery of small hydrophilic molecules
using solid MN was studied by Li et al. [40]. They have developed a super-short
silicon solid MN using a wet etching technique.
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4 Application of Microneedles as Sensors

Various clinically significant analytes can be continuously monitored with
microneedle sensors [41]. Currently, for therapeutic drug monitoring, we rely on
blood-based measurements. This is invasive (painful in nature), and there is a limit
to the temporal resolution of results obtained. The microneedle patch comprises
needles that enable access to the interstitial fluid (ISF) with minimal invasiveness
through a direct interface with the skin. The sensor platform has the option of being
directly integrated onto the needles or externally fixed [42]. Other laboratory-based
methods are labor-intensive and need to be substituted with a more user-friendly
and faster approach. Microneedle’s minimally invasive nature is less painful and
efficient in continuous monitoring. Microneedle sensor’s painless monitoring and
simple design enable various applications such as in situ analysis of therapeutic drug
monitoring [43], continuous monitoring of biomarkers like glucose, lactate, proteins,
etc., biologically significant ions (sodium, potassium, and calcium) [44], and drug/
vaccine delivery in small concentrations [45].

4.1 Physiological Ion Monitoring

Maintaining the concentrations of different ions in the body is essential for perfect
health management. Human health relies on the concentration of various ions like
CaZt, K*, Na*, etc. Any fluctuations in the ion concentrations can be considered as
an indicator of illnesses. Diseases like hypernatremia and hypokalemia are related
to concentrations of sodium and calcium in the body. Hence, monitoring the concen-
tration of ions is significant. ISF carrying these ions in close concentration to blood
can be used as a biofluid for continuous monitoring. Microneedles are minimally
invasive and can extract the ISF or monitor the ions in situ [9].

Miller et al. coined the initial efforts of ion sensing using a microneedle plat-
form. He developed a hollow microneedle with a microfluidic chip to extract fluid
through a channel toward a downstream solid-state ion selective electrode (ISE). 3D
porous carbon and 3D porous graphene were selected as the ISE for K* sensing.
The developed sensor showed capable sensing of potassium ions within the physi-
ological pH in the presence of interfering molecules, with greater stability. Parilla
et al. [15] carried out the potassium ion sensing from interstitial fluid (ISF) using an
all-solid potentiometric sensor. They found that the potassium responses obtained
using the sensor were resilient even after many insertions through the animal skin.
Ex vivo tests based on the intradermal detection of potassium in chicken and porcine
skin demonstrate that the microneedle patch is suitable for monitoring potassium
changes inside the skin. Zhu et al. [9] designed a flexible polymeric microneedle
patch coupled electrode array (MNP-EA) for the in situ multiplexed detection of
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Fig. 3 Different microneedle sensors for physiological ion monitoring. a Microneedle sensor for
monitoring Na*, K*, Ca*, and H*, Cl1™, and Li* [46]. b Microneedle sensor for Na*, K*, Ca?*,
and H* monitoring [9]. ¢ 3D microneedle sensor for various physiological ion monitoring [47]

ion species (Na*, K*, Ca?*, and H*) in tissue interstitial fluid (ISF). The potentio-
metric sensors were highly efficient in the simultaneous measurement of the above-
described ions within the clinical range of determination. The response ranges were
(Na*: 0.75 — 200 mM; K*: 1 — 128 mM; Ca**: 0.25 — 4.25 mM; pH: 5.5 — 8.5).
Fernandez et al. [46] employed the applicability of membrane-based microneedles
for real-time rapid detection of multi-ions simultaneously. The group have devel-
oped a potentiometric sensor consisting of a wearable microneedle patch with seven
electrodes (6 working electrodes and 1 reference electrode). The 6 working elec-
trodes are specific to each of the ions, i.e., pH, Na*, K*, Ca?*, Li*, and C1~. In vitro
studies revealed the reversibility, reproducibility, and selectivity of the sensor. Huang
et al. [10] fabricated a planar microneedle sheet containing 3D microneedles with
multiple electrodes. The sensor was sufficiently able to detect the changes in ions
like Ca”*, Na*, and K*. By combining the sensor with an integrated circuit, the group
developed a wearable sensor for real-time multiple ion monitoring. Figure 3 illus-
trates the various microneedle sensor applications toward the monitoring of several
physiological ions.

4.2 Biomarkers Monitoring

Wearable devices, especially microneedle sensors, have been extended for biomarker
sensing. Various biomarkers have been extensively detected using microneedle
sensors. Biomarkers found in blood play a significant role in bodily activities.
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Abnormalities in their concentrations are found to be responsible for numerous
diseases. Monitoring of the biomarkers like glucose, protein, lactate, alcohol, etc.
is essential in order to track human health. ISF which is a promising biofluid that is
recently explored enormously, as a substitute for blood, can be easily accessed using
microneedles [19]. MNs are used to collect ISF through their hollow needles or can
be integrated with an electronics part and punctured through the skin and detect
the biomarkers underneath (wearable sensors). Glucose, a biomarker responsible for
diabetes, continuous monitoring can improve diabetes management [48].

Ciui et al. [49] developed a minimally invasive microneedle sensor capable
of detecting tyrosinase enzyme cancer biomarkers in the presence of its catechol
substrate, immobilized on the transducer surface. In the presence of the surface TYR
biomarker, the immobilized catechol is rapidly converted to benzoquinone, which is
detected amperometrically, with a current signal proportional to the TYR level. The
hollow microneedle device is filled with catechol-coated carbon paste for assessing
TYR levels in melanoma tissues. Dervisevic et al. [S0] fabricated a gold-coated
silicon microneedle for sensing epidermal growth factor receptor 2 (ErbB2), a key
breast cancer biomarker. The developed microneedle acts as the biomarker extraction
platform and the electrochemical transducer. The sensor was able to detect the desired
biomarker from artificial ISF even in a low range than present in breast cancer cells.
Wang et al. [51] formulated a microneedle patch for the ultrasensitive quantification
of protein biomarkers in interstitial fluid. A highly efficient fluorescent probe was
incorporated with the sensor for enhancing the limit of detection. The group under J.
Wang fabricated an integrated wearable microneedle array for the continuous moni-
toring of multiple biomarkers in interstitial fluid [20]. The sensor was designed for
measuring glucose, lactate, and alcohol by enzymatic reduction. The corresponding
microneedle array was coupled with a CWS board to make a wearable device that was
connected to a newly developed customized application via Bluetooth. Molecularly
imprinted polymers (MIP) are becoming a commonly used analytical sensing plat-
form due to their increased selectivity. Mugo et al. [52] recently reported MIP-based
electrochemical microneedle sensor for multiplexed metabolite detection in human
sweat. They have carried out electrochemical detection of biomarkers including pH,
epinephrine, lactate, and dopamine from sweat using a PDMS microneedle plat-
form coated with a conductive PDMS/carbon nanotube (CNT)/cellulose nanocrystal
(CNC) composite (consider revising with reference to the citation). Figure 4 displays
the schematic representations of microneedle sensing devices toward the monitoring
of several biomarkers.

4.3 Therapeutic Drug Monitoring

Another wide application of microneedle sensors is therapeutic drug monitoring.
Efficient management of chronic diseases demands continuous monitoring of thera-
peutic drugs. Accurate monitoring of these long-term used drugs will provide person-
alized patient care. Another major concern affecting the healthcare community is
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Fig. 4 Continuous monitoring of various biomarkers using microneedle sensors. a Wearable
microneedle sensor for melanoma screening [46]. ¢ Antibody-based microneedle biosensor for
breast cancer biomarker detection [9]

the increased prevalence of antibiotic resistance. The difference in individual phar-
macokinetics resulted in variable numbers and concentrations of antibiotics. So to
address this issue, personalized monitoring is needed. Conventional methods of moni-
toring are based on blood extraction and this method lacks the quality of continuous
monitoring and also, these methods are invasive and painful too. Wearable sensors
can be used as a better alternative. In the class of wearable sensors, microneedles are
the best candidates for the continuous monitoring of antibiotics, therapeutic drugs,
or nerve agents. Here, we are going to discuss different kinds of microneedle sensors
for the detection and monitoring of various classes of antibiotics and therapeutic
drugs.

Ranamukhaarachchi et al. [53] fabricated a hollow microneedle optofluidic
biosensor for therapeutic drug monitoring in sub-nanolitre volume. The hollow
microneedle can extract a volume <nL of ISF to detect a commonly used
vancomycin. The developed biosensor could obtain a LOD of <100 nM. Rawson
et al. [54] developed a microneedle biosensor for real-time detection of the antibiotic
phenoxymethylpenicillin. The group conducted studies on ten healthy volunteers
using a p-lactam microneedle sensor for up to 6 h, after which the volunteers were
allowed to take a constant dosage of phenoxymethylpenicillin. They compared the
data obtained with the developed sensor with the data obtained from gold-standard
methods, which was shown to have good agreement with the former. The moni-
toring of antibiotics using a microneedle wearable sensor was continued by Gowers
et al. [43] The group came up with a minimally invasive potentiometric microneedle
sensor for real-time monitoring of B-lactam antibiotics. The biosensor consists of an
iridium layer which is pH-sensitive. This layer monitors the changes in pH occur-
ring via the enzymatic hydrolysis of B-lactam by f-lactamase immobilized on the
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electrode surface. The biosensor was found to be appreciably stable and could obtain
significant results.

Recently, microneedle sensing platforms have been explored enormously toward
the detection of various analytes including pharmaceutical drugs, biomarkers, nerve
agents, and illicit drugs. Goud et al. [55] fabricated a wearable electrochemical
microneedle sensor for continuous monitoring of levodopa, which is a gold-standard
drug used for the treatment of Parkinson’s disease. They have introduced an orthog-
onal detection for L-dopa using an enzymatic amperometric and non-enzymatic
square-wave voltametric method independently. The studies were performed on
phantom-gel skin-mimicking model and rat skin, and excellent analytical results
were obtained. Goud et al. [41] developed a wearable microneedle sensor array for
continuous opioid monitoring along with nerve agents. The sensor relies on unmod-
ified and organophosphorus hydrolase (OPH) enzyme-modified carbon paste (CP)
microneedle electrodes for the detection of the fentanyl and nerve agent targets,
respectively. The same group under K. Y. Goud came up with a wearable electro-
chemical microneedle [56] sensing platform for continuous monitoring of apomor-
phine, a drug used for treating Parkinson’s disease. They used Rh nanoparticles as the
electrode modification, and the detection was done using square-wave voltammetry
and chronoamperometry techniques. Yao Wu et al. [57] used aptamers to design
a microneedle sensor for continuous monitoring of therapeutic drugs. The system
works on biorecognition and thus the applicability can be extended for sensing non-
redox active drugs. Figure 5 displays the schematic representations of microneedle
sensing devices toward the monitoring of several therapeutic drugs.
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Fig. 5 Therapeutic drug monitoring using microneedle sensors. a Aptamer-based microneedle
biosensor for multiple drug detection [52]. b Microneedle sensor for continuous monitoring of
apomorphine [5]. ¢ Opioid and nerve agent detection using microneedles [36]. d Continuous
monitoring of Parkinson’s drug levodopa by hollow Microneedles [51]
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5 Summary and Conclusions

Recent developments in wearable microneedle sensing methodologies are clearly
described in this book chapter including the importance/advantages of ISF, fabri-
cation protocols of MNs, continuous monitoring of biomarkers, physiological ions,
therapeutic drugs, and delivery of drugs/vaccines. Critical discussions have been
included related to the sensing strategies, electrode fabrications, and sensor analyt-
ical performances. We have added a discussion on the importance of ISF biofluid
over the other ones and the feasibility of the continuous monitoring under the skin.
The rich biomarker/drug sources of ISF and advanced developments of micro/nano
fabrications and semiconductor/electronics industries would definitely help in the
growth of advancements in microneedle fabrications in the near future. Moreover,
multiplex analysis would be easily feasible in microneedle sensing array platforms.
Simultaneously, we can determine the various biomarkers that would help in diag-
nosing the various chronic diseases in their early stages. This technology enables
personalized monitoring devices for individual people who are suffering from chronic
diseases. Currently, microneedle developments majorly focus on diabetic and neuro-
logical disease management. These platforms can be further extended to other chronic
diseases like cardiac, cancer, renal, etc. One more major possible advantage of these
MNs are simultaneously we can monitor the respective biomarker or drug levels
of the chronic disease, and corresponding antidotes will be delivered through the
same microneedle patch. So, these MNs will be made for the “Sens and Act”, which
means the same microneedle patch can detect the biomarker levels of the chronic
disease and also deliver the respective antidotes. These microneedle platforms could
also be extended for the wearable plant applications for continuous monitoring
of moisture, pH, urea, nitrate, and other plant physiological elements. Eventually,
this led to smart and sustainable agriculture forming. The current decade would
definitely observe enhanced developments in artificial intelligence and Internet of
Things that led to enormous growth in wearable sensing devices. There are potential
research growth possibilities that are possible in the development of biodegradable
microneedle devices for sensing and delivery applications.
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Wireless Biosensors for Healthcare: )
Smart Contact Lenses and Microbial Creck tor
Devices

Saman Azhari, Gabor Méhes, and Takeo Miyake

1 Introduction to Wireless Power Transmission

Wireless power transmission (WPT) refers to the transfer of electrical energy without
physical connections, which enhances the safety and convenience of electronic
devices by removing the need for power storage devices [1]. The roots of WPT
can be traced back to James Clerk Maxwell’s merging of Ampere’s circuital law and
Faraday’s law of induction in 1865, which laid the foundation for the conventional
electromagnetic theory [2]. John Henry Poynting introduced a mathematical equa-
tion for contactless energy transfer in 1884 [3], and Heinrich Rudolf Hertz discovered
radio waves in 1888, confirming the existence of electromagnetic propagation [4].
In 1894, Hutin and Leblanc’s patented WPT system was employed to supply power
to an electric railway system [5]. Nikola Tesla made the first breakthrough in WPT
technology between 1891 and 1904, using inductive coupling WPT with Tesla coils
that produced high AC voltage, demonstrating wireless lighting of phosphorescent
bulbs [6-8]. Half a century later, in 1960, W. C. Brown accomplished long-distance
energy transfer using advancements in microwave technology, and he used a rectenna
to convert electromagnetic waves into DC power in 1964. In 1975, Brown achieved a
short-distance transfer of 475 W using microwaves at 54% DC to DC efficiency [9].
In recent years, the Nuclear and Quantum Engineering team at KAIST University
utilized inductive coupling WPT to transfer energy to distances of 3, 4, and 5 m
with efficiencies of 29%, 16%, and 8% in 2015 [10]. Such experiments began with
physicists from the Massachusetts Institute of Technology lighting a 60 W light bulb
2 m away from a transmitting coil in 2007 [11].
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WPT technology is divided into two primary categories: near-field and far-field.
Near-field WPT is designed for short-range power transmission at a low-frequency
range [12]. These systems are further subdivided into capacitive and inductive
coupling categories, discussed later [13]. In contrast, the far-field is used for long-
distance WPT at high frequency, and there are two primary approaches: microwaves
and lasers. However, the use of far-field WPT technology for biosensors, particularly
contact lenses, is not ideal due to the frequency range and power of these systems
[14]. Based on the Federal Communication Commission (FCC), the specific absorp-
tion rate (SAR) limit for public exposure from cellular telephones is 1.6 W/kg [15],
which is lower than the power provided by microwave and laser WPT. Furthermore,
these systems operate in the GHz and THz frequency ranges, respectively, which can
rapidly generate heat and therefore harm the human body and tissues. For this reason,
near-field WPT is preferred for biosensing applications due to its lower frequency
range and lack of harmful effects on the body and tissues. The use of far-field WPT
technology is also limited due to factors such as high cost, complex fabrication
processes, and insufficient sensitivity [16, 17]. The summary of different coupling

technologies is shown in Table 1.

Table 1 A comparison of wireless power transmission technologies

Coupling | Principle Advantages Disadvantages | Distinguishing | Applications
type features
Inductive | Magnetic field | Simple, robust, | Low efficiency, | Power transfer | Smartphone
coupling widely used short range, depends on battery
between two sensitive to mutual charging,
coils misalignment | inductance and | biomedical
load impedance | implants,
electric vehicles
Capacitive | Electric field High power High voltage, | Power transfer | Mobile devices,
coupling density, low complex depends on low-power
between two electromagnetic | circuitry, safety | electric biomedical
plates interference issues displacement devices
and capacitance
Resonant | Magnetic field | High efficiency, | Frequency Power transfer | WiTricity,
inductive | coupling longer range, tuning, coil depends on Rezence,
between two multiple devices | design, heat resonance eCoupled,
resonant coils charging generation frequency and | WREL, RFID
quality factor tags,
contactless
smart cards
Far-field | Electromagnetic | Long distance, | Beam Power transfer | Solar power
wave high power alignment, depends on satellites,
propagation atmospheric beam intensity | wireless sensor
between attenuation, and aperture networks,
transmitter and health and size directed-energy
receiver safety concerns weapons
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The following sections will describe the principle of operation and the advan-
tages and disadvantages of near-field WPT technologies. We will also discuss
recent advancements in integrating WPT in biomedical applications and devices,
particularly contactlenses, and explore the possibilities and prospects of such devices.

1.1 Near-Field Wireless Power Transmission

The term “near-field” pertains to the region surrounding the antenna conductors,
where electromagnetic wave emission and propagation can be hampered. Conse-
quently, the absorption of radiation in this area by nearby conductive objects
detectably affects the load on the signal generator, commonly referred to as the
transmitter. Near-field WPT is a wireless power transfer mechanism that uses the
electromagnetic field to transmit power from a transmitter to a receiver without neces-
sitating physical contacts, cables, or wires. This technology utilizes either magnetic
or electric fields to establish a coupling between the transmitter and the receiver.
The transmitter is usually connected to a power source that generates an alternating
current (AC) in a wire coil. On the other hand, the receiver is another coil commonly
attached to an electronic device that requires power, such as a smartphone, laptop,
or smart contact lens, which receives the AC signal from the transmitter. The AC is
generally converted to direct current (DC) by the receiver’s circuitry and then used
to charge a battery or directly power up the device [18].

Various factors, including the distance between the transmitter and the receiver,
the size and shape of the coils, and the frequency of the AC, influence the strength of
the coupling in near-field WPT. Typically, near-field WPT is the most effective when
the distance between the transmitter and the receiver is within approximately one
wavelength (\) of the antenna length, which refers to the area in close proximity to the
antenna where the electromagnetic field is the most powerful [11]. Near-field wireless
power transfer can be classified into two types: inductive coupling and capacitive
coupling. Both types of near-field WPT have unique advantages and disadvantages
that are specific to various applications.

1.2 Inductive Coupling (Non-Resonant)

Inductive coupling is a technique used for wireless power transfer between coils of
wire, which involves transferring power through a magnetic field. This method is
based on the principle of a transformer, where the transmitter and receiver coils form
the primary and secondary coils, respectively.

The transmitter coil (L;) is supplied with an alternating current (AC), which
generates an oscillating magnetic field (B) according to Ampere’s law. This oscil-
lating magnetic field then passes through the receiver coil (L,), which is placed in
close proximity to the transmitter coil, inducing an alternating voltage, according
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a) Inductive coupling b) Capacitive coupling
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Fig. 1 The principal schematic of wireless power transmission via, a inductive/resonant inductive
coupling [21] and b two-plate capacitive coupling [22]. The transmitter and receiver in each figure
contain a compensation network that provides impedance-matching circuitry. The main components
of impedance-matching circuitry are usually passive components such as resistor (R) and capacitor,
c in the case of inductive/resonant