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Abstract

Muhammad Usman
INVESTIGATION OF FLEXIBLE AND WEARABLE DEVICES FOR THE
ANALYSIS OF BIOLOGICAL SIGNALS
2021-2022
Wei Xue, Ph.D.
Doctor of Philosophy
The application potential for flexible and wearable electronics in the field of
healthcare has received great interest in recent years. Flexible and wearable devices based
on soft, biocompatible materials can be comfortably attached to the human skin for
continuous health monitoring. In this work, we present two novel wearable bioelectrical
impedance analysis (BIA) systems for body composition measurement. First, we
developed a wearable ring-based BIA system for body fat monitoring. The wearable ring
contains flexible copper electrodes to interface with the human body. The device is tested
on 40 healthy volunteers and the results demonstrate a high correlation with an off-the-
shelf body fat monitor. Second, we developed flexible BIA systems on paper and plastic
substrates and compared their performance. The paper-based system demonstrates
stronger adhesive contact with the electronic components while the plastic-based system
provides lower power consumption and lower electrode impedance. Last, we proposed a
novel temperature sensor on a polydimethylsiloxane (PDMS) substrate that can
compensate for the deformation-induced resistance variation and measure temperature

with minimum errors. The compensation method enhances the competence of flexible

temperature sensors and increases their potential for applications in wearable electronics.
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Chapter |
Introduction
1.1 Flexible Electronics Challenges and Opportunities
1.1.1 Introduction
The development of electronics on flexible substrates has recently received
considerable attention as efforts in this area are ultimately expected to facilitate valuable
device applications [1]. Although the concept of flexible electronics has been around for
several decades, there has been a significant gap in performance, functionalities, and
capabilities between flexible and conventional rigid electronics. The modern-day
advancements in the development of novel materials and fabrication technigques have
attracted great interest, as they allow for high-performance scalable electronic devices to
be manufactured directly on flexible substrates [2]. Furthermore, the properties of some
of the novel elastomer substrates have also been manipulated to extend beyond
flexibility, and now include stretchability and healing ability [3, 4]. Similarly,
biodegradability and biocompatibility have also been accomplished through polymers,
which do not cause adverse effects to the body and can be decomposed into smaller
constituent pieces after utilization [5]. These advancements are now enabling a new
generation of electronic devices that can conform to dynamic and complex surfaces, such

as those found in biological systems and bioinspired soft robotics [6].

Advancements in flexible electronics open the door for a wide range of exciting
new applications such as wearable sensors, implantable electronics, conformable energy
harvesting devices, and actuators that can extend the functionality of robots [7-10]. While

conventional rigid electronics are already capable of these functions, flexible electronics



provide additional mechanical features to adapt to curved or irregular surfaces along with
other benefits such as light weight, low cost, and being disposable [11]. Flexible devices
must be able to undergo bending, folding, stretching, or twisting, and more importantly,
they must be able to sustain the electronic performance and functions during the strain
[12]. As the application range of flexible electronics is extremely broad, the strain
conditions and flexibility requirements for each device can be very different. Extremely
high strain is anticipated in sensing applications where the device is directly attached to
skin, organs, or embedded in clothing or textile [13-15]; while for other applications,
small but repetitive strain cycles are expected. In addition, some applications may only
require moderate one-time strain. To quantify device performance under all these
conditions, various techniques have been developed to evaluate the flexibility or strain
tolerance, including cyclic bending test, cyclic stretching test, scratch test, and peel test.
Each of these techniques reveals unique information about the mechanical reliability of

the device and the material [16].

Although many advancements have been achieved and important innovations
have been reported, the field of flexible electronics still faces many challenges before it
can become a part of our daily life. Solving these challenges will need creative designs
and extensive investigations, which present great opportunities for scientific research and
development (R&D) to rapidly advance in this area. The upcoming sections explain the
procedures and materials used for the development of flexible electronics. Detailed
descriptions and explanations are provided regarding different categories of materials

used as flexible substrates and those used to develop interconnects between spaced-out



components. Furthermore, major fabrication methodologies have been highlighted.

Finally, the applications of flexible electronics in bioelectronics have been summarized.

1.1.2 Flexible Substrates

The selection of substrates is critical when designing flexible electronic devices,
as the mechanical properties of the substrate tend to dominate the tolerance range of the
overall device. Generally, the flexible substrate materials can be divided into three main

categories: plastic materials, metal foils, and fibrous materials, as shown in Fig. 1.

Plastic films are the most common substrates used to fabricate flexible electronics
due to their optical clarity, smooth surface, solvent resistance, and high mechanical and
thermal stability [17-20]. The key materials used in plastic films include polyimide (PI)
[21, 22], polyethylene terephthalate (PET) [23], and polyurethane (PU) [24]. In
applications where stretchability is required, the most commonly used substrate is
polydimethylsiloxane (PDMS), which is a highly compliant elastomer with excellent
stretchability properties. PDMS has a Young’s modulus of 3.7 MPa and can be stretched

for more than 200% [25, 26].

Metal foil-based substrates are used when high-temperature processing is a
requirement. Comparing to plastics, metals are temperature resistant and possess
excellent thermal and electrical conductivity. Furthermore, metals are also a good barrier
against humidity [17]. The commonly used metal substrates are stainless steel, titanium,
aluminum, and copper foils [17, 27-30]. The main disadvantages of the metal foils are

their high weight and high cost, making them ill-suited for high-volume manufacturing.



Figure 1

Categories of Substrate Materials Used to Develop Flexible Electronics

Substrate
Material

Note. Clockwise from top right: polyimide [21, 22], polyurethane (PU) [24],
polydimethylsiloxane (PDMS) [25, 26], copper, titanium, aluminum, stainless steel [17,

27-30], textile (cotton, polyester, nylon, kevlar) [31], and paper [32, 33].

More recently, many researchers have started using paper as another substrate

material for flexible electronics, because paper is eco-friendly and has an extremely low
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cost [32, 33], e.g., paper costs about $0.1/m? while commaodity plastic costs ~$2/m?. The
main drawback of paper is that its fibrous structure tends to absorb moisture which may
affect the electronic components both chemically and mechanically. Another fibrous
substrate material that is being used in wearable electronics is textile [31]. Textile
substrates enable devices to be embedded into clothing or textile-based network [34].
Economically, textile substrates are important as the market for electronic-integrated
clothing is ultimately expected to grow significantly. However, there are numerous
challenges when using textiles for flexible electronic applications. For example, textile is
composed of numerous individual fibers which make the fabrication of surface-mount
devices difficult. Textile is also capable of absorbing a large quantity of water that can
affect the electronic components. Clothing must be washable, and therefore, the
integrated components inside textiles should be sufficiently compliant such that they

survive against water and mechanical deformation [35].

1.1.3 Interconnects for Flexible Electronics

Electrically conductive materials are needed as interconnects in flexible
electronics. Nanomaterials of metals or carbon, conductive polymers, and polymer-
nanomaterial composites can be used to create interconnects. A comparison of these

materials is provided in Fig. 2.

Metals are among the most electrically conductive materials due to their high
density of free electrons [36]. Metal nanoparticle-based inks have been used to create
interconnects on flexible substrates, and the resulting patterns are more flexible and
stretchable than conventionally fabricated solid conductors [37]. These metal inks can

also reduce the weight, volume, and cost of the electronic device. Thin films of metal
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nanoparticles can be created by easy, inexpensive, solution-based deposition techniques
such as inkjet printing, spray printing, and spin coating [11]. The selection of materials is
based on applications and fluid properties such as viscosity, density, and surface tension.
Among all the material options, silver nanomaterials are arguably the most widely
studied material due to their good stability and high electrical conductivity [38]. The
selection of nickel ink is challenging as it is lower in price than silver and has good
conductivity [11], but nickel [39] and copper [40] tend to oxidize even under regular
ambient conditions, which can reduce their lifespan. Gold nanoparticles can also be used
as they are stable and have excellent conductivity. However, they are expensive and
using them can increase the cost of production significantly [41]. Overall, metal
nanoparticles are highly conductive and can be produced in large quantities. However,
they are prone to clustering, and the clustered particles can clog the nozzle of the printer
[42]. There are organometallic inks that can eliminate the issue of nozzle clogging due to
the surface functionalization of nanoparticles. The organometallic inks are available for
gold, silver, nickel, copper, and platinum. Among them, the organometallic silver-based
inks are preferred due to their lower resistivity of 2-3 uQcm in comparison to the others

[11].

Carbon-based nanomaterials can also be used to develop sensors and
interconnects on flexible substrates. Carbon nanotubes (CNTS) are electrically conductive
and provide high sensitivity and fast response when used as sensors [43]. The main
problem with CNTs is the dispersion process using inkjet printing. CNTs have strong van
der Waals forces and large surface areas resulting in clumping, which potentially lead to

clogging of the nozzle of the print head [44]. A stable CNT dispersion of inkjet printing



can be achieved using organic solvents or dispersants of water-based inks. However,
water-based inks can cause high surface tension which can lead to inconsistent printing.

This problem can be solved by using surfactants [45].

Another type of materials that can be used to develop flexible interconnects is
conductive polymers due to their unique electrical, optical, and physical properties.
Conductive polymers such as polyaniline (PANI) are flexible, wearable, and potentially
washable. Furthermore, they are more resistive against fatigue failures as compared to
metals. The electrical conductivity of polymers, however, is typically orders of
magnitude lower than that of metals [46]. Conductive polymers possess a conjugated pi-
electron system which gives them their conducting properties [47]. Polypyrrole (PPy) and
PANI are common conductive materials that have been widely used in inkjet printing

[47].

Figure 2

Comparison of Materials Used to Develop Interconnects for Flexible Electronics

Material Conductivity Flexibility Price Light Weight
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Fig.3. shows different types of interconnect designs that have been used to
develop flexible electronics. The most common design for interconnects in electronics is
straight lines since they provide the most efficient paths for current flow and impose the
least amount of resistance, as shown in Fig. 3a. Straight line interconnects can also be
used in designing flexible electronic devices as they provide good electrical and
mechanical reliability under small stresses and strains [48-50]. However, in the
application where a large strain of substrate is required, the conductive interconnects can
fracture and fail. To combat the strain limitation, various geometrical designs have been
proposed for making reliable, conductive interconnects on a wide range of materials. The
most common design is the serpentine structure (Fig. 3b) which has received a significant
amount of interest because it can deform to accommodate large tensile strains [51]. As a
result, the stretchability of the serpentine structure is higher than that of straight line
conductors. Beyond the 2-dimensional (2D) planar structures, 3-dimensional (3D) bridge
designs (Fig. 3c) for the interconnects can provide further increased stretchability [52].
The bridges can move up or down to accommodate the mechanical deformation of the
substrate when it is compressed or stretched. These bridges can also be twisted and
sheared in ways that can withstand a more complex distribution of stress. However, such

structures require complex and expensive fabrication techniques.



Figure 3

Interconnect Designs for Flexible Electronics

Straight Interconnect

(a)
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3D Interconnect
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Note. Types of designs to develop interconnects for flexible electronics: (a) straight lines,

(b) serpentine, and (c) 3D arc bridges.



1.1.4 Fabrication Methodologies

In order to produce flexible devices efficiently, fabrication techniques are
required to be inexpensive, easy to use, and readily accessible. While conventional rigid
electronic devices are fabricated through methodologies including photolithography,
etching, and film deposition, flexible electronics is usually developed through printing,

coating, and deposition techniques, as shown in Fig. 4.

Printing technology has recently gained much attention due to its low cost and
easy-to-implement principles. It applies conductive inks or pastes onto flexible substrates
in a controlled manner [53]. Common printing techniques include inkjet [54], gravure
[55], and screen/stencil printing [56, 57]. The inkjet printing uses an inkjet nozzle head,
which creates micrometer-sized patterns, to deposit a precise amount of droplets of
conductive inks on a substrate [58]. This is a fast, inexpensive, and non-impact method to
create small patterns. The droplet formation can be adjusted by surface tension and
viscosity of the inks. Furthermore, the particle size of the ink needs to be less than 1 um
to avoid clogging the small channel nozzle [59]. Another technique used to print
conductive inks on flexible substrates is gravure printing in which an ink is transferred
through small, engraved cavities in the engraving cylinder. The major obstacle
encountered by gravure printing is the high resolution of the print line which is typically
less than 20 um [60]. Furthermore, this technology is not able to produce uniform pattern
lines with sharp edges which restricts the manufacturing of top layers on electronic
devices. Finally, the most popular technique to print conductive features on flexible
substrates is screen printing or stencil printing. This technology adds speed, simplicity,

low cost, and adaptability to the manufacturing process. The main drawback with this

10



technology is that the printable ink should have a high viscosity. Conductive materials are
mixed with additives to provide high viscosity to the ink; however, the presence of these
additives can decrease the conductivity of the ink. Furthermore, the low resolution of the
pre-made stencil/screen can limit the printing capabilities of small patterns and thin

structures [58, 61, 62].

Figure 4
Fabricating Techniques Used to Deposit Electrically Conductive Materials onto Flexible

Substrates
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Coating and deposition techniques have been used to develop flexible and
stretchable devices based on nanomaterials. Some of the leading techniques include spin
coating, spray coating, drop casting, and dip coating [63]. In spin coating, the solution is
spread on a rotating base and a thin film is formed after the solvent is evaporated [64].
The thickness of the deposited layer can be controlled by the speed of rotation and the
concentration/viscosity of the solution. Spin coating is frequently used to deposit
biomaterials, nanoparticles dispersions, and polymers. In spray coating, droplets are
sprayed on the substrate using an ultrasonic nozzle [63, 65]. The substrate is rotated
slowly while the nozzle passes through the substrate. The slow speed of the substrate
reduces the centrifugal forces to a minimum. This method is well suited for sidewall
coverage of micro and nanostructures on the substrate with a high aspect ratio. In drop
casting, droplets are placed on the surface followed by controlled evaporation of the
solvent [63, 66]. The thickness of the film can be varied by the concentration of the
solution. However, this method does not always produce uniform films, therefore, its
applications are relatively limited. In dip coating, the substrate is first dipped in a solution
and then withdrawn at a fixed speed to produce a uniform layer [63]. The dip coating
method has advantages over drop casting for higher film uniformity and process

controllability [67].

Furthermore, common deposition techniques include chemical vapor deposition
(CVD) and physical vapor deposition (PVD). CVD is a process in which a thin film is
deposited on a substrate through controlled chemical reactions in a gas chamber at a high
temperature [68]. CVD can be used to deposit metals, insulating films, and

semiconductors. PVD is a vaporization coating technique in which material is converted

12



from the condensed phase to the vapor phase and then back to the condensed phase as a
thin film [69]. The patterning is done by masking or lithography after the thin film
deposition. In microelectronic and nanoelectronics devices, the electrical conductors are

commonly deposited using the PVD process.

Textile electronics have different kinds of fabrication techniques which include
braiding, weaving, and knitting using conductive fibers, wires, and yarns [70, 71]. The
knitting technology is widely used to develop wearable devices due to the easy
preparation process and the precise placement of direct contact devices. Yarn
encapsulation technology is used to develop wearable sensors by attaching fine metal
wires to a small sensor. In order to increase the mechanical strength, the encapsulated

sensors and wires are often integrated within the carrier fibers [72, 73].

1.1.5 Applications in Bioelectronics

Flexible biomedical electronic devices have the potential to integrate with the
human body seamlessly and maintain their stability and robustness under various strain
conditions. These wearable devices can measure a variety of physiological signals
noninvasively, such as heartbeats [74, 75], brain activities [76, 77], and muscle activities
[78, 79]. The devices can measure these signals in real-time, providing updates to users
and physicians about the health status. In recent years, flexible and wearable electronic
devices have been extensively studied. In particular, they have made great progress as
artificial electronic skin to closely mimic real interactions with the surrounding
environment and resemble biological human skin [80]. The skin sensation functionalities
include tactile sensing [81], strain sensing, as well as body temperature and humidity

sensing [82]. Further research in this area could pave the way for novel soft robotics with
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improved performance and functionalities [83, 84]. Flexible and stretchable electronic
devices have also been developed for therapy and drug delivery platforms [85, 86]. Such
medical devices can release the medicine once the system is triggered by an impulse, e.g.,
after a specific enzyme is detected or a preset level of strain is reached. The main purpose
of these medical devices is to release the drug in a more controlled and efficient manner

such that the patient receives an adequate dose [87].

Although much research has been done in flexible bioelectronics, the field is still
new with many application areas requiring more extensive, in-depth studies. One such
application area is bioelectrical impedance analysis (BIA), which is a method to estimate
the composition of the human body. Developing flexible BIA devices face many
challenges. The major obstacle is designing flexible dry electrodes and interfacing them
with the human body to measure electrical signals accurately. Other challenges include
biocompatibility, comfort level, and stable electronic behavior when the flexible device is
under mechanical strain. The following section provides more details about the BIA

methodology, research, and development.

1.2 Bioelectrical Impedance Analysis (BIA)

1.2.1 Electrical Properties of Biological Tissues

The human body is composed of various types of tissues, which are made of
trillions of cells, with specific functions and structures, arranged in a complex 3D array
[88]. These cells, made of intracellular fluid (ICF) and cell membrane (Cnm), are
suspended in an extracellular fluid (ECF) [89-91]. The ICF, ECF, and Cn are made of
different materials that have distinctive electrical properties. When exposed to an
alternating (AC) electric current, these three components respond differently due to their
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distinctive physical, structural, and electrical properties. The intracellular fluids are
composed of two constituents: nucleus and cytoplasm. The nucleus and cytoplasm are
mostly made of a solution of salt, water, proteins, and different chemicals [92]. These
materials are electrically conductive. Similarly, the extracellular fluids are also composed
of electrically conductive materials. As a result, both ICF and ECF provide low resistive
paths to the applied electrical signal [89-91]. By comparison, the membrane of the cells is
composed of a unique layered structure. It contains a hydrophobic lipid bilayer that is

sandwiched between two hydrophilic protein layers, as shown in Fig. 5 [93].

Figure 5

Cell Membrane Structure of the Biological Cell
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Note. Lipid bilayer having hydrophilic head and hydrophobic tail sandwiched between

hydrophilic protein layers.

The hydrophobic lipid bilayer is electrically nonconductive, while the
hydrophobic protein layers are electrically conductive. This structure of the membrane
provides a capacitive response to the applied electrical current. Their combined responses

to the alternating electrical current produce a complex electrical impedance called
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bioelectrical impedance [89]. The complex bioelectrical impedance consists of two parts:
a resistance (R) caused by the ICF/ECF and a negative reactance (-Xc) caused by the
capacitive behavior of cell membranes [94]. Fig. 6 shows the electrical equivalent model
of the biological cell where Re is the extracellular fluid resistance, Ri is the intracellular
fluid resistance, Rm is the trans-membrane ionic channel resistance, and Cr represents the
cell membrane capacitance. The complex bioimpedance is different for each tissue and
also varies with the change in the health status of the tissue. Therefore, the analysis of the
complex bioimpedance can provide information regarding the anatomy and physiological

status of the human body.

Figure 6

Electrical Equivalent Model of the Biological Cell

*—

e———Extracellular Fluid (ECF)

Cell Membrane

Intracellular Fluid (ICF)

Cell Nucleus

—e

Note. Re is the extracellular fluid resistance, Rj is the intracellular fluid resistance, Rn is
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the trans-membrane ionic channel resistance, and Cn, represents the cell membrane

capacitance.

1.2.2 Measurement and Analysis of Bioelectrical Impedance

BIA is a widely used noninvasive, safe, and fast method to determine the complex
electrical impedance of the human body and utilize that information to estimate the body
composition [95]. It is an easy-to-conduct process that can be used to estimate fat-free
mass, fat mass, and body water [96]. The process provides excellent consistency for
repeated measurements. BIA can also be used to monitor the dynamics of the biological
tissue. The bioelectrical impedance depends on the frequency of the applied signal and
the composition of the tissues. Therefore, the overall response of the biological tissue to
an applied AC signal produces a complex bioelectrical impedance which is a function of
the composition, structure, and health status of the tissue as well as the frequency of the
applied electrical signal [97, 98]. Fig. 7 shows the flow of electrical current through the
body at low and high frequencies. When an AC signal of low frequency is applied, the
impedance of the membrane is very high; as a result, only a small amount of electrical
current flows through the cells, while most of the current flows through the extracellular
fluids [93, 99]. Therefore, the overall impedance can be represented by Re. At higher
frequencies, the capacitive impedance of the cell membrane is reduced and the electrical

current starts flowing through the intracellular as well as the extracellular fluids [93, 99].
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Figure 7

Flow of Electrical Current at Low and High Frequency
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The equivalent electrical circuit model of the tissue can be represented as the
capacitor Cr in series with the resistor R;, and the combined Ciw/R; circuit is in parallel
with the resistor Re, as shown in Fig. 8. This simplified 2R1C model is also known as

Fricke’s model [100].
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Figure 8

Simplified 2R1C Electrical Model of the Biological Cell (Fricke’s Model)
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Note. The simplified circuit representation of the biological cell. Ri is the intracellular
fluid that is in series with the equivalent membrane capacitance C. Re represents the

extracellular fluid.

The bioelectrical impedance (Z) is measured by injecting a small amount of
known alternating electrical current into the human body (In < 1mA, generally 50 kHz),
and the voltage signal is measured across the body (Vs). The current injection and voltage
measurement are performed by using an electrode interface. The magnitude of the
impedance |Zp| is determined by dividing the measured voltage signal by the applied

current signal (Ohm’s law).

1z = 2 (1)
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The bioelectrical impedance is a complex quantity; therefore, it will have a phase
angle difference between the applied and the measured signals depending on the tissue

properties. As a result, the overall complex bioimpedance is represented as [101]:
Z=|z|e” 2

where |Z| represents the magnitude of the impedance while 6 is the phase
difference between the injected and measured signals. The complex impedance, in a

Cartesian form, can be written as:
Z=R-jX, (3)

where R represents the resistance caused by the fluids (ICF and ECF) and -Xc is the

negative reactance imposed by the cell membranes. The relationship of |Z|, R, Xc, and 6

|m=/W+Xﬁ (4)

0 = tan™? (— %) (5)

can be expressed as:

BIA can be performed by using single as well as multiple frequencies depending
on the application [102]. In single frequency (SF) BIA, an AC signal with a frequency of
50 kHz is applied and the impedance is measured. This frequency of 50 kHz is
considered as the most optimum value to determine the fat-free mass (FFM) and total
body water (TBW) [102-104] of the biological system. However, SF BIA cannot be used

to determine the difference between ICF and ECF. By comparison, in multi-frequency
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(MF) BIA, the impedance is measured by applying the signals of different frequencies,
ranging from 5 kHz to 200 kHz in discrete steps [105, 106]. In MF BIA, the low
frequencies are typically used to determine the extracellular water (ECW), while the high
frequencies are used to measure the total body water (TBW) with higher accuracy as the

capacitive reactance of the cell membranes is significantly reduced [107].

1.2.3 Body Composition Estimation

The human body is composed of different body tissues which are arranged in a
very complex manner. The tissues consist of protein, water, minerals, and fat [94]. Fig. 9
shows the composition of the body. The fat tissue contains fat cells with low electrical
conductivity. Therefore, it imposes a very high impedance against the electrical current
[88]. The lean tissues or fat-free tissues contain electrolytes, extracellular fluid, and
intracellular fluid, all of which have high conductivity and low impedance [88]. When an
alternating current is injected into the body, it flows through the paths that contain more

water. Therefore, the conductivity of the body is proportional to the body water content.
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Figure 9

Schematic Diagram of Body Composition
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Several empirical equations have been proposed to estimate the fat-free mass, fat
mass, and total body water based on the measured impedance. The following equations

have low standard errors for predicting FFM and TBW, and therefore, are used in this

research.
Body Fat [108]:
Height? _
FFMg = —4.104 + 0.518 X —————— + 0.231 X Weight + 0.130 X Reactance
Resistance
+ 4.229 X sex (6)
FM,, = (1 _ TV ) x 100% 7
% Weight

Body Water [88]:
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Height? .
TBWyg = 0.377 X ————— + 0.14 X Weight — 0.08 X age + 2.9 X Gender
Resistance

+ 4.65 (8)

1.2.4 Two-Electrode and Four-Electrode Measurement

The result of the BIA is influenced by the number of electrodes used to perform
the measurement. Fig. 10a shows the 2-electrode configuration, where both electrodes are
used to simultaneously stimulate and sense the signal. The issue with this method is that
it cannot distinguish between the tissue impedance and the skin-electrode contact
impedance. Therefore, this technique is not frequently used to perform BIA [88, 109].
However, the 2-electrode method can potentially be used for single frequency

applications where the variation of impedance with time is of interest.

In the 4-electrode method, shown in Fig. 10b, two electrodes are used to apply the
current and two different electrodes are used to measure the voltage. This technique can
eliminate the effects of skin-electrode contact impedance from the measurement [88,

109].
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Figure 10

Measurement Techniques for Bioelectrical Impedance
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Note. (a) 2-electrode method. (b) 4-electrode method.

1.25 State-of-the-Art Research and Commercial Devices

Multiple studies have been performed to evaluate the accuracy of BIA, especially
for fat mass measurement. Xie et al. [96] examined the accuracy of BIA in analyzing
different body composition parameters using dual-energy X-ray absorptiometry (DEXA)
as a reference standard. Excellent agreements between both techniques were observed as
BIA demonstrated a precision error of just 1% for fat mass measurement. Ling et al. [95]
performed a similar experiment and demonstrated 97% accuracy for BIA in fat mass
measurement. Pribyl et al. [110] compared the results from OMRON HBF with BOD

POD® which was considered as the “gold standard” body composition tracking system.
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Recently much research has been done in designing wearable or portable
bioimpedance analyzers for various biomedical applications. Ferreira et al. [111]
developed a bioimpedance analyzer, which was integrated with a textile-based electrode
garment for total body fluid assessment. Choi et al. [112] presented a handheld
bioimpedance analyzer for daily obesity management using a smartphone. Hersek et al.
[113] designed a wearable impedance analyzer to assess knee injury and recovery by
observing small changes in interstitial fluid volume. Konijnenburg et al. [114] developed
a wristwatch that could monitor very sensitive changes in body impedance during
respiration. These reports show that bioimpedance analyzers can be a valuable tool in

biomedical applications, especially for long-term health monitoring.

1.3 Research Motivation and Objectives

Flexible electronics has recently become a rich area of research and development
for researchers across different fields of science and engineering. However, several key
aspects of this multidisciplinary area remain immature, and therefore, need further
investigations. For example, the studies of BIA systems developed on flexible substrates
are still rather limited. The selection of the substrates as well as their effects on the BIA’s
performance have not been fully explored. In addition, the influence of the substrate’s
mechanical deformations on the operation, performance, and accuracy of flexible devices
should be investigated. This research aims to address some of these issues through a
systemic examination of materials, designs, and devices in flexible electronics, especially
when they are under mechanical deformations. In this project, the first objective is to

investigate a wearable BIA system using small size flexible copper electrodes. This study
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will explore benefits and issues when using small-size dry electrodes as compared to
traditional gel-based Ag/AgCl electrodes. The second objective is to create and
characterize wearable BIA systems on flexible substrates. This study will investigate the
performance comparison of BIA systems fabricated on paper and plastic substrates. The
study will also determine which substrate provides higher electrical and mechanical
reliability. The third objective is to explore the challenges and solutions when using
highly elastic substrates such as PDMS in flexible electronics and sensors. This study will
analyze issues in a flexible-stretchable temperature sensor developed on a PDMS
substrate, especially when it undergoes a substantial amount of mechanical deformation,

as well as various methods that can minimize those issues in temperature sensing.

1.4 Overview of Dissertation

This work aims to develop and study flexible electronic devices on various
flexible substrates using different fabrication techniques. The research involves
designing, fabricating, and testing flexible BIA systems and flexible temperature sensors.
Chapter 1 provides a detailed review of flexible electronics, covering critical sub-areas
that include materials, fabrication techniques, and applications. In particular, BIA is
introduced and reviewed as an example of flexible electronics in biomedical applications.
In addition, the motivation and objectives of this work are outlined in this chapter.
Chapter 2 presents a wearable ring-based bioelectrical impedance analyzer for body fat
estimation. This chapter details the development of a lightweight, compact BIA device
that contains flexible copper electrodes integrated into a wearable ring. The chapter also

discusses the encountered challenges when interfacing dry flexible electrodes with the
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human body. Chapter 3 examines BIA devices fabricated on paper and plastic substrates
using a printing process. The chapter compares the electrical and mechanical reliability of
the circuit developed on both substrates. Furthermore, a comparative analysis of the
electrodes developed on paper and plastic substrates is presented. Chapter 4 explores the
issues and solutions when the flexible substrate undergoes a substantial amount of
mechanical deformation. A flexible temperature sensor is developed on a PDMS
substrate using stencil printing. The behavior of the sensor is investigated while bending
and stretching the substrate. A novel methodology is developed to provide compensation
for the errors caused in the measurements due to mechanical deformations. Chapter 5
summarizes the critical conclusions from this research, and based on the current findings,

lists recommendations for future research.
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Chapter 11

Wearable Ring BIA for Estimation and Monitoring of Body Fat

2.1 Introduction
Obesity is a serious health challenge in today’s world, as it can lead to health

complications such as stroke, diabetes, osteoarthritis, and coronary heart diseases.
Therefore, methods that can precisely measure the body fat mass is crucial, not only for
clinicians and patients to work together to improve individuals’ health conditions, but
also for reducing the risks of all these diseases for a larger population [115] Over the past
few years, both industrial and academic sectors have promoted smart health technology,
leading to a wide spectrum of products for clinical applications. Simultaneously, a great
number of mobile applications are being developed for direct health management by end
users, which then further promote communities focused on electronic health (e-health)
[116]. In health management, one particular interest of consumers is on weight
monitoring, as evidenced by numerous weight loss methods and diet plans on the market
[112]. Due to the urgent needs in obesity prevention and weight management, the
significance of body fat monitors has been drastically increased in e-health today.
However, most bioelectrical impedance analyzers currently available on the market are
cumbersome and expensive. For example, the full-sized body fat analyzers used in clinics
and hospitals can weigh more than 35 kg and occupy over 1 m? of space [117, 118]. Such
analyzers are also very expensive and can easily cost more than $12,000. Furthermore,
they are not designed for people with disabilities, especially for those who wear
prosthetic legs. Even the off-the-shelf handheld devices (e.g., OMRON body fat monitor

HBF 306C) are still relatively large with limited portability (8.75 x 2.5 x 6 in®). Even
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though continuous measurement may not be considered absolutely necessary for
everyday users, recent research shows that frequent recording of body impedance has a
significant impact on patients with effective results for lymphedema treatment [119],

hydration content in critically ill patients [120], and daily obesity management [112].

This chapter discusses a novel bioelectrical impedance analyzer for estimating fat
mass [121-123]. The objective is to develop a wearable body fat analyzer that is
lightweight, inexpensive, accurate, and can communicate wirelessly with smartphones.
The designed analyzer consists of a silicone ring with four copper electrodes attached as
two pairs. A high-frequency alternating current of 50 kHz is delivered to the body
through one pair of electrodes while the voltage across the upper body is measured from
the other pair. The measurement is done by a user wearing the ring on one hand and then
placing two fingers of the other hand on the outer ring. In addition, the study provides a
comparison of skin-electrode contact impedance of small, dry copper electrodes with gel-
based Ag/AgCI electrodes by using a three-electrode method. The analyzer is designed to
provide compensation for the high contact impedance as well as the parasitic effects
caused by the dry electrodes. The device calculates the body impedance and wirelessly
transmits this information to a smartphone via Bluetooth. An Android application is
developed to calculate the body fat based on the measured impedance and the user profile
which includes weight, height, and sex. The fat-free mass equations proposed by four
groups, Kyle et al. [108], Deurenberg et al. [124], Heitman et al. [125], and Lohman et
al. [126], are compared using the results from the designed analyzer; the equation that
yields the most correlated result is deployed in the system. The ring BIA device shows

comparable performance to a commercial handheld analyzer in estimating the fat mass of

29



40 human subjects. The novel ring-based wearable device opens new opportunities for

future health monitors.

2.2 System Architecture

Fig. 11 illustrates the simplified block diagram of the ring-based analyzer with
four primary components: electrodes, a sensor module, a controller module, and a
smartphone interface. The electrodes on the ring are used to interface the sensor module
with the human body. The microcontroller computes the body impedance by processing
the data acquired from the sensor module. The calculated impedance is then transmitted
to a connected smartphone via Bluetooth for body fat estimation. Fig. 12 illustrates the

detailed architecture of the designed system.

30



Figure 11

Simplified Block Diagram of the Designed Body Fat Analyzer
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Note. The system consists of four main parts, sensor module, controller module,

smartphone application, and electrodes for interfacing the body.

2.2.1 Sensor Module

The designed sensor module contains a wave generator to provide a 50 kHz
sinusoidal signal, which is a common frequency used in BIA measurement. The 50 kHz
frequency is selected for two reasons: first, it is close to the characteristic frequency of
biological tissues, at which the reactance reaches its maximum value [127]; second, it is a
robust frequency against various measurement artifacts [128]. A voltage-controlled

current source is designed to convert the sine wave voltage signal into a 900 YA current

31



signal. The current source is of great significance due to safety reasons, as human safety
is assured in vivo by limiting the magnitude of the applied current instead of voltage
[129]. In bioimpedance analysis, I < 1 mA is considered as a safe and widely accepted
range for electrical current [130]. The current source uses a Howland circuit design due
to its simple principle and comparable performance with other more complicated sources
[131]. The sensor module delivers the electrical current and measures the voltage across
the body by using four electrodes attached to a wearable ring. A detailed explanation
concerning the ring and the electrodes is provided in Section 2.4. The analog front end
acquires the voltage signal from the human body for further analysis. The analog front
end consists of an instrumentation amplifier which measures the voltage across the
human body (Vb), amplifies it, and rejects common mode noises. The next stage of the
analog front end is the signal conditioner which is used to remove interfering signals such
as electrocardiogram (ECG), electromyogram (EMG), and high-frequency noises caused
by electrical activities in the body. The filtered signal is then passed through a high
precision amplitude detector to compute the amplitude of the signal (JAv-Vb]|) obtained
from the body. The filtered signal is simultaneously fed into a phase detector which
calculates the phase difference induced by the negative reactance of the body. A phase-
locked loop device, CD4046 from Texas Instruments, is used to generate the sinusoidal

signal due to its built-in phase comparator and a voltage-controlled oscillator (VCO).
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Figure 12

Complete System Architecture of the Designed Body Fat Analyzer
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Note. A square signal of 50 kHz is generated by a voltage-controlled oscillator (VCO)
and then converted into a sine wave signal. The Howland current source provides a 900
MA current to the human body via electrodes. The signal acquired from the body is
processed by an analog front end for amplitude and phase detection. The microcontroller
computes the body impedance and transmits to a connected smartphone via Bluetooth.
The smartphone application calculates body fat based on user profile and body

impedance.

2.2.2 Controller Module
The controller module, responsible for digital signal processing and wireless
communication, is built on Adafruit Feather 32u4 which consists of an ATmega32u4

microcontroller (8 MHz and 3.3 V logic) integrated with a Bluetooth module (2.4 GHz).
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Fig. 13 depicts the photograph of the microcontroller interfaced with the designed sensor
module. The microcontroller has a built-in 10-bit analog-to-digital converter (ADC) to
digitize the signal acquired from the analog front end. The collected signals are then
processed by the microcontroller to compute the body impedance. The impedance

magnitude is calculated by dividing the measured voltage (V) by the injected current

(Ib).

Figure 13

Photograph of the Sensor Module (left) and Controller Module (right) Interface
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2.2.3 Smartphone Interfacing Application

Android Studio is used to develop the smartphone application and the interface
for body fat calculations, data management, and tracking of user records. The equations
(6 & 7) proposed by Kyle et al. for fat-free mass is utilized for estimating the fat mass

using the measurement data from the user [108].

2.3 Ring Design and Electrodes

The copper electrodes attached to the wearable ring are shown in Fig. 14a. The
major challenge of working with small, dry electrodes is that the recorded bio-signals are
often affected by adverse factors such as motion artifacts, electrical noises, and skin-
electrode contact impedance [128, 132]. These effects cause an error in the measured
value and hence lead to another error in body fat calculations. Generally, the four-
electrode method can be used in measuring bio-signals to reduce the skin-electrode
contact impedance [133]. In the four-electrode method, one pair of electrodes is used to
inject the current (I+, I-), while the voltage is measured from the other pair (V+, V-). For
our device, all four electrodes on the ring are equal in size and provide a conductive area
of 260 mm? (26 mm x 10 mm). The electronics of the ring is placed inside a 3D printed
enclosure (with 100% fill), as shown in Fig. 14b, to protect it from dust, moisture, and
other harsh environmental conditions. A Velcro strap is attached to the enclosure for the
user to wear the device on the wrist. The wires connecting the ring with the hardware are
sealed as one bundle. The entire prototype is manufactured with less than $50. However,

the price will reduce drastically if the device can be mass produced.
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Figure 14
(a) Silicone Ring with Source (1+, I-) and Sense (V+, V-) Electrodes. (b) Wrist Wearable
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2.4  Experimental Protocol

An Institutional Review Board (IRB) approved protocol was applied to all
volunteer subjects in this study. Initially, the weight and height of each subject were
measured and recorded by the study coordinator, and later used for calculating the body
fat. After screening, the skin-electrode contact impedance was measured for both the dry
copper electrodes and the Ag/AgCl electrodes by using a three-electrode method. The
details of this method are provided in Section 2.5.2. Afterward, a commercial analyzer
OMRON HBF 306C was used to collect the body fat data of each subject. Thereafter, the
wearable ring device was used to measure the body impedance and fat mass of the
subject. Both the OMRON analyzer and the ring device measure the upper body fat mass;
this ensures the collected results are examined in a meaningful way so that they can be

used for direct comparison. During the data collection, the subject wore the ring on the
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left-hand index finger and then placed the right-hand thumb and index finger on the outer
electrodes. As a result, the path of electrical current is established from the left to the
right hand through the upper body. An average result of three measurements was made

for each subject and utilized for analysis.

Furthermore, although the wearing position might have an impact on the
measurement, this impact is negligible when compared to the impedance of the overall
upper body. The same experiment was repeated by using large (40.6 mm x 33.02 mm),
gel-base Ag/AgCI patches as the electrodes. The Ag/AgCl electrodes, placed on the
wrists of both arms, were set up following the four-electrode method. A total of 40
healthy human subjects, all over 18 years old, were recruited for this study. Table 1
shows the statistics of the 40 participated subjects. To eliminate any potential concerns
over passing an electrical current through the human bodies, the study excluded pregnant
women and subjects with cardiac pacemakers or other types of medical implants. All the
subjects were asked not to exercise, eat, or drink for at least 2 hours before the

experiment.

Table 1

Anthropic Measurement of the Study Group

Parameters Mean = SD | Range
Age (yr) 23.55+4.74 | 21 -42
Height (cm) 1755+7.4 |163-191
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Parameters Mean £ SD | Range

Weight (kg) 71+ 14 57— 117
BMI 24.78 +5.11 | 17.6 — 40
Body fat (%) 16.12+6.53 | 5.8 35.7

Total subjects =40 | Male =35 Female =5

2.5 Results and Discussion
2.5.1 Hardware Verification

Because the body impedance varies from person to person, it is crucial to
minimize the effect of subject-specific impedance on the electronics and the final results.
To ensure that our device can accommodate different body types, the voltage-controlled
current source limitation on body impedance was measured by increasing the load
resistance from 10 Q to 6 kQ. Fig. 15 demonstrates that the current source can deliver a
consistent current of 900 pA in a wide range, from 10 Q to 3.3 kQ. As a result, the
system can work properly and accurately for almost all human subjects because the body
impedance of most people is less than 1 kQ [134]. Fig. 16a illustrates a human body
tissue model, represented by discrete electrical components (Re for extracellular fluids, Ri
for intracellular fluids, and C, for cell membranes), that can help evaluate the
performance of the BIA system [100]. For a single frequency of 50 kHz, the overall
model can be further simplified as an effective capacitor Ceftin a series connection with
an effective resistor Resr, as illustrated in Fig. 16b. The values of Refs = 530 Q and Cefr =

47 nF, obtained through a full-scale Seca Medical Body Composition Analyzer,
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correspond to the impedance data of a 31-year old healthy male. The current consumption
of the designed sensor module is measured as 21.28 mA when it is supplied with a
battery source of 3.7 V. The power consumption of the entire system is 102.64 mW in the
active mode while communicating to a smartphone via Bluetooth. The performance

results of the designed bioelectrical impedance analyzer are summarized in Table 2.

Figure 15

Output Current (lout) Against Load Resistance (Rv) for the Howland Current Source
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Note. The current source can provide a consistent 900 pA current for a load up to 3.3 kQ.
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Figure 16

Equivalent Electrical Model of the Human Body
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Note. (a) Reand Rj are body fluid resistances. Cn is the cell membrane capacitance. (b) In
case of single frequency, the model can be simplified as a series combination of effective

resistance Refr and capacitance Cesr.

Table 2

Performance Results

Parameters Value

Supply voltage 3.7V

78.73 mW (sensor)
Power consumption
102.64 mW (system)

Electrode size

26 mm x 10 mm

Sensor module size

50 mm x 48 mm
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Parameters Value

Impedance range 10Q< |Z|< 3.3 KQ
Phase range 0° <6 <90°
Impedance measurement error 1.6%

Phase measurement error 1.9%

2.5.2 Electrode Characterization and Impedance Measurement

There are some major challenges in designing bioimpedance analyzers while
using small-sized, dry electrodes. These electrodes provide unique benefits for wearable
devices: their dimensions are well suited for small spaces; no frequent electrode
replacement is needed; they are sturdy and can last a long time to ensure device
operation; they do not contain chemicals that may cause skin irritation or discomfort.
However, the problem arises when these electrodes have an initial contact with the skin
and cause the contact impedance. The skin-electrode contact impedance is important in
BIA as higher contact impedance decreases the amplitude of the signal obtained from the
body, which can lead to measurement errors. In order to study the performance of
electrodes, the contact impedance was measured for both Ag/AgCl electrodes (40.6 mm x
33.02 mm) and dry copper electrodes (26 mm x 10 mm) by using the three-electrode
method proposed by Spach et al. [135]. In this method, three electrodes are placed on the
arm as shown in Fig. 17 and the impedance of the middle electrode is calculated.

Electrodes 1 and 2 are connected to a sine wave generator (50 kHz) and the voltage is
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measured across electrodes 2 and 3. The contact impedance of electrode 2 can be

calculated by using the following equation:

Va3

Zy )

- 11—2

where Z; is the skin contact impedance of electrode 2, I1-; is the electrical current through
electrodes 1 and 2, and V2.3 is the voltage measured across electrodes 2 and 3. The three-

electrode method was performed by using a function generator and an oscilloscope.

Figure 17

Three-Electrode Measurement

E3 E2 E1 Ag/AgCl
Electrodes

ESmee? FE1

(b)

_ Electrode ‘
Electrolyte/

Sweat >Re Ce
Skin .

0.5 V,.,
50kHz 1y,

- . i >Rs
Signal R (Epidermis =
\bos Generator
(@) (c)

Note. Three-electrode method is used to measure the skin-electrode contact impedance of
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(a) dry copper electrodes (26 mm x 10 mm) and (b) Ag/AgCl electrodes (40.6 mm x
33.02 mm). (c) Skin-electrode contact model where Exc is the half cell potential, Re and
Ce are electrode resistance and capacitance, respectively, and Rs is the electrolyte/sweat

resistance.

Fig. 18 shows that the contact impedance of dry copper electrodes (5.18 + 0.66
kQ) is much higher than that of wet electrodes (933.37 + 40.06 Q). This is mainly due to
the absence of conductive gel and the smaller area of skin contact with the dry electrodes.
Thus, in order to eliminate the skin-contact impedance, the four-electrode method is used
for bioelectrical impedance measurement. This technique allows removing the electrode
contact impedance from the body impedance, given that the measurement circuit has a
sufficiently high input impedance [136]. However, the small size of dry electrodes
constricts the injected current, creating a constricting zone which leads to a higher
impedance. The four-electrode method is unable to eliminate the higher impedance
caused by the current constricting geometry [128]. The average impedance caused by the
current constriction of the dry electrodes is calculated to be Ry =25.37 Q and Xp = -15.8
), obtained through a set of control experiments in which dry and wet electrodes are used
at the same locations with the same four-electrode setup for BIA measurements. One way
to reduce this impedance is by increasing the size of the electrodes [137]. The large

electrodes will provide a wider path for the electrical current to go through the body.
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Figure 18

Skin-Electrode Contact Impedance of Dry Copper Electrodes and Gel-Based Ag/AgCl

Electrodes at 50 kHz
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Most commercial body fat analyzers use large electrodes to minimize the effect of
the contact impedance, e.g., the OMRON HBF 306C has an electrode size of 95 mm x 50
mm. However, such a size is not possible for a wearable ring device; therefore, other
compensation methods are needed. Another problem is that the human hands, including
fingers, impose a great amount of impedance despite the fact that they only represent a
very small portion of the human body. For our subject group, the average wrist-to-finger
resistance and reactance components are calculated as Rhand = 71.88 Q and Xhand = -29.62
Q, respectively. This can cause an error in the estimation of fat-free mass and thus fat
mass. In order to compensate for these problems, the body resistance/reactance measured

using the small, dry copper electrodes on the ring are compared with gel-based Ag/AgCI
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electrodes placed on the wrists. Fig. 19 shows the four-electrode method to measure body
impedance. This measurement is performed on all 40 subjects by using the designed bio-

electrical impedance analyzer.

Figure 19

Four-Electrode Measurement

(a) (b)

Note. Four-electrode method is used to eliminate the electrode impedance and measure

only the body impedance. (a) Wrist-to-wrist measurement using Ag/AgCl electrodes. (b)

Finger-to-finger measurement using dry copper electrodes.

Fig. 20a compares the body resistance data Rring measured from the ring electrodes
against the results Ragci from the Ag/AgCl electrodes. The comparison shows a highly
correlated linear regression with a correlation coefficient r = 0.96 for the two types of

electrodes. The results also show that the body resistance obtained from the ring
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electrodes is higher than that from the gel-based Ag/AgCl electrodes, due to the high
impedance of hands and parasitic effects. Fig. 20b shows the correlation plot of the body
reactance measured from both types of electrodes, Xiing for the ring electrodes and Xagci
for the gel-based electrodes. Similarly, the correlation coefficient for the reactance is also
high with r = 0.93 and the ring electrodes impose larger negative reactance. These high
correlation coefficients indicate that the variation in body impedance can be reliably
measured by the ring analyzer. The difference of impedance can be obtained by
subtracting the absolute average of the ring electrode measurement from the absolute
average of the Ag/AgClI electrodes (Rq = Rhand + Rp = 97.25 Q, X4 = Xhand + Xp = -45.42
Q). The microcontroller firmware is then programmed to compensate for these values,

resulting in accurate readings of the body fat data.

Figure 20

Linear Regression for Impedance Using Wet and Dry Electrodes
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Note (a) Linear regression for resistance using Ag/AgCl electrode (Ragci) and dry
electrodes on ring (Rary). (b) Linear regression for reactance using both electrodes Xagci

and Xring.

2.5.3 Body Fat Estimation and Equation Comparison

The designed ring analyzer was compared with a reference device, handheld
OMRON HBF 306C, in terms of its performance for body fat mass measurement. In this
study, four different FFM equations proposed by Kyle et al. [108], Deurenberg et al.
[138], Heitman et al. [125], and Lohman et al. [126] were compared using the designed
device for body fat assessment by linear regression and Bland-Altman plots. Table 3
shows the correlation in descending order as well as the differences in mean and standard
deviation (SD) for the two devices using the selected FFM equations. The OMRON

monitor has the strongest correlation with the designed ring analyzer when the equation
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proposed by Kyle et al. was utilized (r = 0.90, 1.63 £ 3.41%). The Deurenberg FFM
equation demonstrates the second highest correlation (r = 0.89) and a mean difference of
2.88 £ 4.93%. The Heitman equation demonstrates an intermediate correlation (r = 0.84);
however, its standard deviation from the mean difference is the highest (2.16 + 6.08%).
Finally, the equation proposed by Lohman et al. shows the weakest correlation (r = 0.76)
and a high standard deviation from the mean difference 2.70 = 5.98%. Although all four
FFM equations are correlated and can therefore be used for further analysis, the equation
proposed by Kyle et al. yields results that are most correlated to the OMRON analyzer (r

= 0.90). Therefore, this equation has been utilized in data analysis for our device.

Fig. 21 shows the linear regression between our designed ring and the reference
monitor, with the x-axis representing the body fat (%) measured by the reference monitor
and the y-axis representing the data measured by the ring device. The correlation
coefficient for the linear regression is r = 0.9 (maximum correlation r = 1) which
demonstrates a strong correlation for body fat measurement between both devices. This
high value of correlation coefficient shows that the measurements obtained from the
reference monitor can also be reliably obtained from the designed ring device. The
Bland-Altman plot for the designed device and the reference monitor is shown in Fig. 22,
with the x-axis representing the average fat mass values from both analyzers and the y-
axis showing the difference between them. The solid red line in the middle indicates the
difference in mean of 1.63% and the two dashed lines indicate the range of +6.82% (£2 x

SD). The plot shows that only 2 out of 40 subjects lie outside the 95% limit of agreement.
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Table 3

Bioelectrical Impedance Analysis Equations for Fat-Free Mass (FFM) Estimation

+ 0.180 * weight

S I Difference in
ource Equation FValte | Mean £ sD
Kyle et al. (height)? 0.90 1.63 +3.41%
FFMy, = —4.104 + 0.518 ¥ ———
[108] resistance
+ 0.231 x weight + 0.130
* reactance + 4.229 x sex
Deurenber (height)? 0.89 2.88 +4.93%
FFM, = —12.44 + 034+ ————
getal. resistance
* weight — 0.127
*xage + 4.56 x sex
Heitman (height)? 0.84 2.16 + 6.08%
FFM,, = —=14.94 + 0.279 * ————
et al. resistance
[125] + 0.181 x weight + 0.231
* height + 0.064
*x sex — 0.077 x age
Lohman et | FFMy, for Men 0.76 2.70 = 5.98%
al. [126] (height)?
=532+ 0.485 ¥ —————
resistance
+ 0.338 x weight
FFM,, for Women
height)?
_ 63440474« HEWOHL
resistance
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The variations in the calculated r-values for different equations may come from
the population differences under different studies. The anthropometric body fat
estimation equations may have been derived from a test group that is very different from
our study. For example, Heitman et al. derived the FFM equation by conducting an
experiment on elderly Dane population which were 36-65 years old. Although the results
from the designed device and the OMRON analyzer are highly correlated, there is still a
variation of 10% in the linear regression for the body fat percentage. This variation is
mainly caused by two outlier subjects falling outside of the 95% limit of agreement, as
shown in Fig. 22. One of the subjects is obese and has a body fat of 37% while the other
subject has a muscular athletic build. Furthermore, the equation for calculating the body
fat and skin impedance compensation methodology deployed in the OMRON analyzer is
not revealed by the manufacturer. Last, besides the average value subtraction method
used in this research, there are other methods that can be used to compensate for the
parasitic capacitance due to large electrode impedance such as linear mapping [113] and

additional compensating circuitry [137].
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Figure 21

Body Fat Correlation Plot
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Note. Body fat correlation plot between OMRON and the designed ring wearable device.

The linear regression demonstrates a strong correlation with r = 0.90 (Kyle et al. FFM

equation).
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Figure 22

Bland-Altman Plot
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Note. Bland-Altman plot with mean difference and 95% limit of agreement. 38 out of 40

subjects lie within the limit (Kyle et al. FFM equation).

Table 4 shows the comprehensive comparison of other previously reported
bioimpedance systems with this work. The architecture of the systems can be categorized
as (i) PCB design using discrete components, (ii) computer interfaced designs, and (iii)
applications specific integrated circuits (ASIC). The systems designed using ASIC
architectures are small-sized and consume low power, but they are expensive to fabricate.

Computer interfaced analyzers cannot be considered as completely wearable. Custom
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PCB circuits using discrete components provide a low-cost solution for the rapid

development of electronic systems. These devices consume sufficiently low power and

can achieve small size to be implemented in wearable bioimpedance analyzers. The

proposed system is developed using discrete components which makes it low cost, as

compared to ASIC and computer interfaced designs. The designed device is compact

enough to be comfortably worn on the hand. Furthermore, the device is tested against a

standard commercial handheld body fat analyzer OMRON HBF 360 and demonstrates a

strong positive linear relationship (r = 0.90).

Table 4

Comparison of the Designed Bioelectrical Impedance Analyzer with Similar Systems

Source Technology Size Correlation/Accuracy | Form factor
Discrete 90 x 50 x 17 mm?® r=0.96 Wearable
[111]
components (Device) (Body fluid estimation) textile
Discrete 142 x 72 x 6 mm? r=0.95 Handheld/
[112]
components (Device) (Body fat estimation) portable
Analog front | 20.32 x 20.32 mm? r=0.85 Wearable on
[113]
end + computer | (Analog front end) (Body impedance) legs
6.5 x 5.8 mm?
[114] ASIC - Wristwatch
(IC Die)

53




Source Technology Size Correlation/Accuracy | Form factor
48 x 30 x20 cm® 92.8%

Discrete Wearable/

[139] (Sensor + (Accuracy for RC
components compact
controller) circuit measurement)

This Discrete 50 mm x 48 mm r=0.9 Wearable
work components (Sensor module) (Body fat estimation) ring

2.5.4 Conclusion

In this chapter, we introduced a novel ring-based wearable bioelectrical
impedance measurement device and demonstrated its ability to acquire significant
physiological measurements from the human body, especially the fat mass. The wearable
analyzer provides a comfortable, easy, and reliable method to monitor body fat in a
home-based environment. The developed system minimizes the electrode placement
error, and at the same time, compensates for the parasitic impedance caused by the small,
dry electrodes. Furthermore, the electrode analysis demonstrated that although the dry
electrodes led to higher impedance and lower signal-to noise ratio, these factors could be
quantified and compensated for. After compensation, these dry electrodes demonstrated
comparable performance to commercial Ag/AgCl electrodes while providing an
inexpensive solution for long term health monitoring in wearable medical devices. The
designed analyzer was tested on 40 volunteer subjects and demonstrated comparable
performance to a commercial body fat analyzer OMRON HBF 306C. The correlation plot

and the Bland-Altman plot are obtained using the measured data for both devices. The
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compact design, along with the small electrodes and accurate measurements, allow for
potential integration of the ring with ASIC (application-specific integrated circuit) based
impedance analyzer in the future. This would allow us to further miniaturize the hardware
so that the entire device can be encapsulated on the ring. The next iteration of this device
will include capabilities for body hydration content, skeletal mass, and muscle mass
estimation. Due to its accuracy, wearability, small size, and convenience, the developed
device demonstrates great potential to replace and/or complement commercial analyzers,

especially in smart health applications.
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Chapter 111

Flexible Bioimpedance Analyzer on Paper and Plastic Substrates

3.1 Introduction

Recently much attention has been paid to the development of flexible electronic
sensors, as this area has great potential in future healthcare applications [140]. Current
commercial wearable healthcare devices such as smartwatches from Fitbit and Apple are
typically fabricated on small rigid circuit boards. Tech companies are continuously
working towards developing devices that are more compact and easier to wear with better
functionalities. At the same time, building electronics directly on flexible substrates
provides an alternative route with unique advantages for future wearable devices; for
example, the flexible devices will be lightweight, inexpensive, biocompatible, and can be
easily fit onto various curved surfaces for long-term use [141]. However, despite all these
advantages, flexible sensors are vulnerable to electrical and mechanical failures due to
humidity, corrosion, and extreme folding [142]. Therefore, the substrate can be coated
with a soft gel material, such as silicone epoxy resin, to protect the electronic module and
provide a uniform stress distribution during bending [143]. It should be noted that the
term “flexible” refers to the tolerance ranges of different mechanical deformation modes.
Plastic substrates are chosen to develop flexible electronics based on their characteristics,
e.g., chemical and thermal properties, transparency, and high glass transition temperature
[144]. Paper is another flexible substrate that has various attractive properties e.g.,
biocompatibility, biodegradability, and breathability [145]. Paper is composed of

entangled cellulose fibers which tend to absorb moisture. Interestingly, this porous
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property can also provide a unique advantage of enhanced bonding strength between the
paper substrate and the mounted electronic components by absorbing part of the bonding

material into the fibrous structure.

In this work, we have developed multi-frequency electrical bio-impedance
analyzers on two flexible substrates, paper (Whatman cellulose chromatographic grade 1
paper) and plastic (3M transparency film for overhead projectors), and evaluated their
performance against a similar system developed on a conventional rigid printed circuit
board (PCB) [146]. Electrical bio-impedance (EBI) is a technique widely used in medical
electronics for body composition analysis [94]. In EBI, a small sinusoidal electrical
current is injected into the human body at a single (50 kHz) or multiple frequencies (5
kHz — 200 kHz). The voltage and phase signals across the body are measured to compute
the complex impedance values with the real part representing resistance (R) and the
imaginary part reactance (Xc). Furthermore, electrode analysis is performed by
fabricating dry electrodes on flexible substrates and comparing them with commercial
gel-based Ag/AgCl electrodes. The measurement results on 12 subjects demonstrate that
both paper- and plastic-based flexible analyzers show comparable performance to the
rigid PCB devices. The novel bio-impedance analyzers presented in this work, with high
flexibility and enhanced wearability, can open new opportunities for future wearable

health monitors.

3.2 System Architecture
The developed EBI system relies on magnitude-ratio-detection to estimate the
body impedance [147]. The platform consists of a flexible wrist wearable sensor module

interfaced with a data acquisition device NIDAQ (PCI-6115) and LabVIEW for signal

57



analysis. Fig. 23 shows the simplified block diagram of the designed EBI system. The
sensor module consists of a multi-frequency sinewave generator with frequencies ranging
from 5 kHz — 200 kHz in 20 discrete steps. The sensor module interfaces with the human
body via four electrodes. A controlled current of 900 pA flows through the source
electrodes (1+, I-) to stimulate the body tissue. The voltage across the body is measured
using two sense electrodes (V+, V-). The current also flows through a reference resistor
(Rref = 150 Q) which is connected in series with the body. Two separate amplifiers are
used to measure the voltages across the body and the reference resistor. These signals are

analyzed by LabVIEW to compute the body impedance.

58



Figure 23

Simplified Block Diagram of Electrical Bio-Impedance Analyzer Interfacing with the

Human Body
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3.3 Fabrication Procedure

The fabrication procedure of the flexible device is shown in Fig. 24. Initially, the
flexible substrate was prepared by removing unwanted dust particles from the surface.
The circuit, along with the electrodes, was printed on the substrate by dispensing a
conductive silver ink (Alfa Aesar 45661) via a VVoltera \VV-one fluid dispensing system.
Afterward, the silver was cured at 90°C for 30 min in a furnace (Thermolyne FD1530M).
In order to create strong bonding between the electronic components and the wire traces,

an additional layer of silver was dispensed on the bonding pads. The components were
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placed on the substrate and the bonding pads were cured. Fig. 25 shows the photographs

of EBI sensor modules developed on flexible paper and plastic substrates.

Figure 24

Flexible Printed Circuit Fabrication Procedure
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Figure 25

Photograph of the Developed Bioimpedance Sensor Modules

(@) (b)

Note. The bio-impedance sensor modules with integrated electrodes fabricated on (a) paper

and (b) plastic.

3.4 Experimental Procedure

The EBI measurements were conducted on 12 subjects, following an approved
protocol by the Rowan University Institutional Review Board (IRB). The height, weight,
age, and sex of all subjects were noted. After the initial screening, the first round of EBI
analysis was performed by using gel-based Ag/AgCl electrodes interfaced with the sensor
module developed on a rigid PCB. The wet electrodes were attached to both wrists of the
subject. The second round of EBI analysis was based on the flexible paper-based device.
Each subject was asked to wear the paper EBI sensor on the wrist of the left hand and
then place the right-hand palm on the outer electrodes as shown in Fig. 26. This resulted

in a complete electrical current path through the upper body during the EBI measurement.
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The same experiment was repeated for the plastic-based EBI system in the third round of

experiment.

Figure 26

Bio-Impedance Analysis Measurement

Note. The measurement is performed by wearing the flexible sensor on one hand and
placing the palm of other hand on outer electrodes. Inset: ECG electrodes are placed on

Wrists.

3.5 Results and Discussion

3.5.1 Mechanical Testing

In general, the bonds between the electronic components and the flexible substrate
are the most vulnerable structure to mechanical deformation out of an entire flexible
device. For this reason, the components are placed on the areas of the substrate that
experience the least amount of bending. However, these components will still face some
tensile strain during device operation; device failure may occur due to small cracks if not
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handled properly. Failure analysis is therefore performed in order to determine the
maximum bending angle at which the electrical bond breaks. Five samples on both
substrates (paper and plastic) are prepared with electrical components bonded using
silver. The substrates are slowly bent to the angle at which the electrical connection at
one of the bonding pads breaks. The mean failure angles for the paper and plastic
substrates are 53° £ 4° and 42° + 3°, respectively, showing that the paper-based circuits
are mechanically stronger. The stronger bonds for the paper substrate are a result of its
fibrous, porous structures. The results from these failure measurements can serve as
indicators for sensor placement on human bodies, as the skin-mountable devices and
sensors undergo different levels of strain when placed at different parts of the body. A
wearable electronic device attached to the wrist faces a strain of 0.44%, on the elbow
1.13%, and on the shoulder 1.5%. The sensors attached to joints such as the knee and

finger undergo a high strain of 16% when the joints are flexed [148].

Fig. 27 shows the cross-sectional views, based on the energy-dispersive X-ray
spectroscopy (EDS) elemental maps on a scanning electron microscope (SEM), of the
printed silver on paper and plastic substrates. The pores in the fibrous structure allow the
uncured silver to diffuse into the paper substrate, which strengthens the bond between the
two materials. By comparison, the plastic is a nonporous material; all the printed silver

traces are coated on the surface without providing additional adhesion.
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Figure 27

Cross-Sectional SEM-EDS Images of Silver Ink on (a) Paper (b) Plastic. Silver Sinks into

Paper, Creating a Stronger Bond
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3.5.2 Hardware Verification

The performance evaluation of all three EBI systems is carried out using a 2R1C
parallel electrical model (shown in Fig. 8) which represents biological tissues in a human
body [149]. The model consists of a resistor Ri = 1100 Q connected in series with a
capacitor Cm = 1.5 nF, both in parallel with a resistor Re = 560 Q. The resistors Rj and Re
represent the intracellular and extracellular fluids, respectively, and the capacitor Cn,
represents the cell membrane. The analyzers are then configured to perform the
measurement on the test model circuit in 20 discrete steps from 5 kHz to 200 kHz. Fig.
28a shows the calculated vs. measured resistance for all three EBI systems, while Fig.
28b shows the reactance data. The results show that all the impedance analyzers
demonstrate a high accuracy with an error of less than 1% for both resistance and
reactance. It is worth noting that the power consumptions of these systems vary despite
their comparable electrical performance. The sensor modules developed on the paper
(83.3 mW) and plastic (65.7 mW) substrates consume more power than the rigid device
(53.42 mW). The difference comes from the higher resistance of the silver traces on the
flexible substrates. For example, a silver trace on plastic has a resistance of 0.3 Q/cm

while on paper it is increased to 0.5 Q/cm.
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Figure 28
(a) Resistance and (b) Reactance Plots Using the 2R1C Tissue Model for Hardware

Calibration and Performance Evaluation
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3.5.3 Electrode Characterization

Dry electrodes are more suitable for wearable medical devices due to their
durability and reusability. Wet electrodes, on the other hand, are uncomfortable and
sometimes cause irritation on the skin. The major challenge working with dry electrodes
is that they have higher electrode-skin contact impedance, which tends to degrade the
strength of the physiological signal received from the body. The contact impedance
values of all three types of electrodes are measured using a previously reported three-
electrode method [135]. Fig. 29a shows the contact impedance magnitude plots of gel-
based Ag/AgCl electrodes (40.6 mm x 33.02 mm) as well as paper and plastic-based dry
electrodes (85 mm x 50 mm). The results show that the contact impedance of the flexible
dry electrodes is much smaller than that of the wet electrodes throughout the frequency
spectrum, the reason being that the dry electrodes have a surface area 3.26 times larger
than the wet electrodes, providing a wider path for the electrical current to go through the
body [113]. Between the two flexible substrates, the paper-based electrodes demonstrate
higher impedance. This is because the silver ink sinks into the fibers of the paper, hence
decreasing the uniformity, thickness, and eventually the conductivity of the silver layer

on the surface.

67



Figure 29
(a) Electrode-Skin Contact Impedance of Dry and Wet Electrodes. (b) Bio-Impedance

Plot of One Subject Using all Three EBI Systems
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3.5.4 Bio-Impedance Measurement and Analysis

Fig. 29b shows the typical bio-impedance plots of resistance vs. reactance of the
subjects, in this particular case, a 25-year-old healthy male, using the three devices. The
measurement is based on the four-electrode method in order to eliminate the electrode
skin contact impedance [133]. Although the four-electrode method eliminates the
electrode impedance from the measurement, other problems still arise [128]. It is clear
that the rigid sensor module with the Ag/AgCl electrodes shows larger values over the
entire frequency range. This is because the electrical current injected from the smaller
electrodes is not uniformly distributed in the biological tissues. There are selected areas
of higher current densities, known as constriction zones, that contribute to the larger bio-
impedance [150]. In the case of flexible sensor modules, the larger integrated electrodes
can eliminate the constriction zones, resulting in more uniform distribution of the current
density. Fig. 30 shows the bio-impedance data for the 12 subjects at selected frequencies
using the paper and plastic based sensors. The results show that all the subjects
demonstrate a similar trend of bio-impedance throughout the frequency spectrum for both

paper and plastic sensor modules.
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Figure 30
Bio-Impedance Analysis of 12 Subjects at Selected Frequencies Using Paper and Plastic

Sensor Module. (a) Resistance. (b) Reactance
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3.6 Conclusion

In this chapter, we presented two flexible electrical bio-impedance analyzers
developed on paper and plastic substrates. Both flexible analyzers exhibit comparable
measurement performance to the rigid analyzer. The paper-based sensor demonstrated
robust mechanical deformations while plastic-based sensor provided lower power
consumption and lower electrode-skin contact impedance. The integrated dry electrodes
on the flexible sensors offer a reliable method to perform repeated measurements to
collect human physiological signals. Our current mechanical testing of the flexible
sensors using extreme bending angles is primitive. We plan to conduct a thorough
investigation of the mechanical behaviors of the flexible sensors in the near future. Our
preliminary results of flexible sensors show that they have great potential for future

wearable, healthcare applications.
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Chapter 1V
Flexible Temperature Sensor with Compensation of Bending and Stretching

4.1 Introduction

Continuous measurement of human body temperature plays a significant role in
health monitoring [151]. An increase in the body temperature could be an indication of
fever, which is the most important symptom of many severe diseases including COVID-
19 [152]. Therefore, early detection of an increase in body temperature can help identify
and quarantine infected patients before the virus spreads to other people. Furthermore,
body temperature measurement can be used to monitor sophisticated cardiovascular
diseases [153]. Current commercial temperature sensors lack the characteristics desired
for wearable applications. An ideal wearable device should be soft, lightweight,
biocompatible, and most importantly, able to adapt to non-planar skin surfaces over a
large area for high-accuracy measurement. Recently, much attention has been paid to the
development of flexible and stretchable temperature sensors as they can be used in a wide
range of applications including health monitoring [63], robotics [154], as well as artificial
electronic skin [155-157]. Flexible temperature sensors can adapt to curved or irregular
surfaces, and perform long-term measurements with high accuracy and stability, as
compared to conventional temperature sensors that are fabricated using silicon
technology [158]. These silicon chips are rigid and usually bulky, cannot measure data
with sufficient accuracy when attached to non-planar surfaces, and can be uncomfortable
to wear when used in long-term wearable applications. Flexible temperature sensors are
typically fabricated by depositing temperature sensitive conductors such as metals (e.g.,

silver [159], aluminum [160], and gold [161]), carbon-based materials (graphene, reduced
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graphene oxide, carbon nanotubes (CNTS), etc.) [162, 163], or conductive polymers [46]
on flexible substrates. The common substrates used to develop flexible sensors include
polydimethylsiloxane (PDMS) [164], polyimide (PI) [165], polyurethane (PU) [166], and
fabrics [167]. The fabrication of flexible sensors can be done through different techniques
including printing (inkjet, screen, gravure, etc.), coating, and deposition techniques. Out
of all these options, the selection of the substrate, deposition material, and fabrication

method depends heavily on the application of the sensor.

Resistive temperature detectors (RTDs) are one of the most commonly used
sensors for temperature measurement due to their simple design, fast response, high
accuracy, and high linearity [168, 169]. These features make the RTDs more preferable in
wearable applications in comparison to other types of temperature detectors such as
thermocouples [11]. RTDs based on temperature-sensitive conductors or inks on flexible
substrates have been reported [170-172]. However, the challenge with flexible RTDs is
that their resistivity is not only sensitive to temperature, it also varies with mechanical
deformation (e.g., bending and stretching) of the substrate. When the film is under
tension, which could be caused by either bending or stretching, the effective length of the
RTD is increased, resulting in an increase in resistance; while on the other hand,
compression on the film leads to a decrease in resistance for the RTD. This deformation-
induced resistance variation can cause significant errors in temperature measurement. To
minimize this effect, flexible RTDs with stress compensation have been developed using
CNTs [154], gold [173], and E-textile [167]. However, the existing techniques for stress
compensation are often complex, expensive, and time-consuming. A differential

compensation technique has been presented by Ali et al. and validated by printing silver
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RTDs on polyethylene terephthalate (PET) [174]. However, the technique is only
designed for bending compensation without considering the stretching effect. Therefore,
new compensation techniques should be developed to accommodate the complex

mechanical deformation conditions.

In this chapter, we present a novel, low-cost, and simple flexible temperature
sensor that provides compensation to resistance changes caused by both bending and
stretching. The sensor, made of two RTDs, is easy to fabricate and does not require
complicated methods or tools. It can measure the temperature on a curved or irregular
surface with minimum errors as compared to conventional RTDs. The sensor is
interfaced with a Bluetooth-integrated microcontroller, which is programmed to detect
the physical change of the sensor (bending or stretching), provide compensation against
mechanical deformation, and quantify the temperature with high accuracy. The following
sections of this chapter describe the compensation methodology, fabrication process,

system architecture, and experimental results of the wearable flexible temperature sensor.

4.2 Methodology

Fig. 31 illustrates the methodology used for compensating for the mechanical
deformation. The sensor configuration consists of two RTDs which are fabricated back-
to-back on both sides of the substrate through stencil printing. The pattern printed on the
top side is labeled as RTD: and the one on the bottom side is RTD.. Silver paste is used
to print RTD patterns on the PDMS substrate. When the sensor is bent on a curved
surface, the RTD facing outward experiences tension, as the average gap between the
silver particles in the printed pattern increases. This causes an increase in electrical

resistance of the RTD. On the other hand, the RTD that is bent inward faces compression
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and the gap between the silver particles decreases, leading to a reduction in resistance.
Upon sensor bending in either direction, the sum of the measured resistance of both
RTDs remaining almost a constant, with one RTD observing +AR whereas the other RTD
observing -AR. Therefore, the resistance variations caused by bending can be canceled
out using this design. The sum of resistance, Rsum, is calculated using Equation (10) with

the initial resistances normalized for the two RTDs.

AR; AR, Ri—R; R;—R 10
1, 50% M 1, 2 20 (10)

=~

R
R R, R R,

where R and Rz represent the initial values of the RTD1 and RTD., respectively. R and
R/, are the resistance values of the RTDs after the sensor is mechanically deformed. With
the compensation for bending in place, the resulting change in the sum of resistance is

only caused by a change in temperature, regardless of the bending status of the substrate.

When a sensor is stretched, its length L increases, and the cross-sectional area A
decreases. Thus, the resistances of both RTDs will increase according to R = pL/A. In
cases where conductive adhesives (instead of pure metals) are used as the sensor
elements, this increase in resistance can also be caused by other factors such as the
change in resistivity p and grain connections within the cured adhesive when the sensor is
stretched. If both RTDs are stretched equally, they will experience a comparable amount
of tension with a similar resistance change of AR; = AR,. Therefore, the subtraction of
resistances of the two RTDs, Rsub, IS almost zero under stretching, as expressed in

Equation (11).
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AR, AR,

B R, —R, R,—R, 0 (11)
sub — Rl RZ

R, R, |~

With this second compensation, analogous to the bending compensation, a change
in Rsup can only be caused by a change in temperature, regardless of the stretching status

of the substrate.

When used for temperature sensing, the physical state of the sensor, whether it is
under bending or stretching, should be determined automatically without needing the
direct input from the user. This can be done by using algorithms to monitor the trends of

resistance change of both RTDs. A detailed explanation is provided in Section 4.6.

Figure 31

Compensation Methodology

Flat Bending Stretching
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Note. While bending the sensor, the resistances of both RTDs change differentially;

therefore, the sum of resistances remains a constant. When stretching the sensor, the
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resistances of both RTDs change linearly, hence, the subtraction of resistances is almost

zero. R1 = Ry is used here for the purpose of simplification.

4.3 Sensor Fabrication

Fig. 32 shows the detailed fabrication process of the designed sensor. PDMS is
used as the flexible substrate for the RTD sensor due to its flexibility, stretchability, and
excellent electrical and thermal insulation properties. Initially, a PDMS solution was
prepared by mixing a 5:1 ratio of the base polymer and the curing agent. The solution
was then coated on a 4-inch silicon wafer using a spin coating machine, set as 150 rpm
for 30 s. The coated silicon wafer was then baked at 100°C for 30 min until the PDMS

solution solidified.

The ability of a substrate to anchor silver is determined by its surface energy.
Pristine PDMS is hydrophobic with low surface energy, leading to relatively weak
bonding between the substrate and the silver paste used for the wires. To increase
adhesion, Oz plasma etching was performed on the PDMS with 100 W power at a
pressure of ~500 torr for 3 min. Afterward, silver epoxy from MG chemicals (9410) was
used to print the RTD structures on the PDMS substrate via stencil printing. Stencil
printing (or screen printing) methodology adds simplicity, speed, adaptability, and low
cost to the manufacturing process. It is faster and more versatile than other printing tools
[175]. The main requirement for stencil printing is that the printable paste should have a
high viscosity so it does not spread out easily after being printed. The chosen silver is a

thixotropic paste with a high viscosity due to the presence of additives. It is a 1-part
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adhesive that can be cured at 100°C for 1 hour after being printed. Afterward, the wires
are bonded to the RTD electrodes using the same silver epoxy, resulting in low contact
resistance. A similar RTD is developed on the opposite side of the PDMS using the same

process.

Figure 32

Fabrication Process of RTD Structures Using Stencil Printing and Silver Paste

A

""""""" | [ [

(a) Plasma O, etching (b) Deposit silver (c) Cure silver at 100°C
for 1 hour
(d) Deposit and cure (e) Wire bonding (f) Wire bonding on
back side

silver on backside

The fabricated temperature sensors on PDMS are shown in Fig. 33, with each
sensor containing two identically shaped RTDs. The RTD has an overall dimension of 37
mm X% 19 mm and consists of a 1-mm wide meander trace for the resistive element. The
thickness of the meander trace is approximately 0.2 mm. The electrode pads of the RTDs
are bonded to 30 AWG connecting wires to provide a connection for the external

interface.
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Figure 33

Photograph of the Fabricated RTD Sensors

(@) (b)

Note. (@) Front RTD printed on PDMS by depositing silver paste using a stencil mask.

Wires bonded on the pads using the same silver adhesive. (b) Identical RTD fabricated on

the back side of the substrate.

4.4 Hardware Architecture

Fig. 34 shows the overall architecture of the designed system. The flexible sensors
are interfaced with a controller module via 30AWG wires. A Bluno Beetle board is used
as the controller module which contains built-in Bluetooth (2.4 GHz) and an ATmega
328p microcontroller working at a maximum frequency of 16 MHz. Each RTD is
connected to a known resistor to create a voltage divider with a source voltage applied
across them. A 3.7 V rechargeable lithium-ion polymer (LiPo) battery is used to power

the microcontroller and provide the source voltage to the voltage divider circuit. The
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microcontroller measures the voltage across the known resistors and the flexible RTDs
using a built-in ADC converter. The resistances of both RTDs, Ry and R2, can be

calculated using the following equations:

Ry xV; (12)
Rl = V
a

_ Ry XV, (13)

where V1 and V are the voltages across the flexible RTDs, Ra and Ry are the known

reference resistors, and V. and Vy, are the voltages measured across these known

reference resistors.
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Figure 34

Block Diagram of the Designed Temperature Measurement System
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Note. The system consists of two main parts, the flexible sensor module and the

controller module.

Based on the computed values of R: and Rz, the microcontroller determines the
physical state of the sensor, provides necessary compensation for the mechanical
deformation, and quantifies the temperature accordingly. The data can be transmitted
wirelessly to a connected smartphone or a computer via Bluetooth. Further explanation is

provided in the next section. Photographs of the complete device are shown in Fig. 35.

After fabrication and connection to the controller module, each flexible sensor

module is characterized through a series of controlled measurements to (1) quantify the
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effects of bending and stretching on temperature sensing, (2) use proper methods to
compensate for these effects, and (3) implement a post-data-collection correction step,

labeled as calibration, to accommodate the variations from devices and testing.

Figure 35

Photographs of the Complete System

Voltage
Divider
(back side)

Beetle v
1 e a

2.
o s ‘1.(1 ¥

Controller Module Flexible Sensor Module

(©)

82



Note. (a) Bluno Beetle is used as the controller module. (b) VVoltage divider circuit board
attached to the back side of the controller module. (c) The controller module interfaced

with the flexible sensor module.

4.5 Experiments, Results, and Discussion

45.1 Temperature Quantification while Bending the Sensor

In the initial quantification process, the sensor module is kept on a flat surface and
the initial resistances of RTD1 and RTD> are measured. Afterward, the sensor module is
bent at different curvatures using 3D printed half cylinders with various radii, ranging
from 100 mm to 40 mm. Fig. 36 shows the experimental setup to test the sensor for
bending, which is carried out at room temperature of ~20°C. The resistance depends on
the bending radius, as shown in Fig. 37. Since both RTDs are aligned on the two sides of

the substrate with a nearly identical sensor pattern, their resistances should change

differentially (

AR AR . .
L~ -—2). Itis observed that the sum of resistance can successfully
1

R R,
compensate for the bending effect when compared to the individual RTDs, reducing the
deformation-induced resistance change AR/R from 30.1% (black line, for RTDy) and -

22.5% (green line, for RTD>) to 8.5% (red line, Rsum) under the most significant bending.

However, the compensation does not completely remove the bending effect. The
non-zero readings of Rsm are considered as errors which may be caused by three readily
identifiable factors. First, the two RTDs are not 100% identical in terms of conductivity
and dimensions with differences resulting from the manual fabrication process. Second,

there may be a stress difference on the two RTDs due to the off-center neutral plane when
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the substrate is deformed by bending. Third, there may be a small temperature difference
on the two RTDs during testing. The RTDs’ self-heating under the applied voltage and
their different heat dissipation rates, as one RTD is exposed to air while the other is
trapped between the half cylinder and PDMS, lead to the temperature difference. The
power dissipation (P = I2R) across the top RTD is about 27% higher (due to the increased
resistance) than the bottom RTD when the sensor is bent on the curvature of 40 mm. The
higher power dissipation causes a higher self-heating effect which contributes to a greater

increase in the resistance value of the top RTD.

Therefore, post-data correction, or calibration, is required to reduce the
importance and influence of these errors. The calibration is performed by introducing an

adjustment factor X, which is calculated using the following equations:

14
(R_11)40mm +X- (R_ZZ)ALOmm =0 ( )
AR, (15)
(R_1)4Omm
TRy,
RZ 40mm

where (AR1/R1)a0mm and (AR2/R2)s0mm are the relative resistance changes of the two RTDs
at the bending curvature of 40 mm. With the calibration applied, the errors can be

effectively reduced, as shown by the blue line in Fig. 37. The calibration method is

84



further validated by repeating the experiment 5 times, and the results show that the
maximum bending error is reduced from 8.1 £ 1.1% to 2 + 0.7%. This shows that the
effect of mechanical deformation due to bending can be significantly reduced by
combining compensation and calibration, and the device can now be used to perform

temperature measurements under deformation with higher accuracy.

Figure 36
The Bending Experiment is Performed by Placing the Sensor on Cylinders with Varying

Radii Ranging from 100 mm to 40 mm

70mm
60mm
50mm

40mm

Radius of
curvature

85



Figure 37

Analysis of Changes in Resistance While Bending the Sensor
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Note. When the sensor is bent on a curved surface, the resistance of RTD1 (black line)
increases due to tension and the resistance of RTD (green line) decreases due to
compression. The sum of resistance (red line) can reduce the effect of bending and the

remaining errors can be minimized by calibration (blue line).

The baseline temperature sensing characteristic of the RTDs is determined by
heating the sensor on a flat surface. A flexible heater (by ICSTATION) is used to control

the temperature applied to the sensor from 20°C to 40°C with increments of 5°C. Each
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set temperature was maintained for 10 min to allow the heated environment to reach
thermal equilibrium before RTD resistances are recorded. A reference temperature sensor
SEN-13314 (by SparkFun) is used to confirm the temperature reading of the heater. Fig.
38 shows the baseline resistive response of the flexible RTDs as a function of
temperature. As the temperature increases, the resistances of both RTDs become higher,
demonstrating the temperature dependence of electrical resistance characteristic of a
metal in the deposited silver epoxy. When the temperature is increased to more than
40°C, the PDMS substrate experiences significant thermal expansion which disturbs the
linearity of the resistance vs. temperature curve. Therefore, the temperature range is
limited between 20°C to 40°C, which is sufficient for most wearable applications of

temperature sensing on human skin.

The sensitivity of the 2-RTD-based sensor within this given temperature range is

defined by the temperature coefficient of resistance (TCRsum) using the equation [176]:

TCRsym = RS”""(‘“’"C)A_f Sum206) = 5.9 x10°3 /°C (16)

where R, a0°cy 1S the sum of change in resistance at 40°C, Ry, 20°c) IS the sum of

change in resistance at 20°C, and AT is the difference between the final and initial
temperatures, i.e., 20°C. The TCR of the designed RTD is measured to be higher than
that of the pure Ag metal because the sensor is developed on a PDMS substrate. PDMS
exhibits a large coefficient of thermal expansion of about 310 ppm/°C. Therefore, PDMS

is sensitive to the temperature changes during the measurement. In a heated environment,
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the thermal expansion of the PDMS substrate contributes towards the increase in
resistance [177, 178], in addition to the silver pattern’s own resistance change, leading to

the higher TCR.

Figure 38

Sum of Change in Resistance of the Sensor Versus Temperature from 20°C to 40°C
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Note. The TCR is calculated as 5.9 x102 /°C by using linear curve fitting.

The resistive response of the flexible sensor against temperature is then
investigated by varying the temperature while bending the sensor. Fig. 39 shows the

experimental setup, where the heater is placed between the sensor and the 3D printed
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curvature such that the RTD2 comes in direct contact with the heater. During the
measurement, the heater is placed on all the half cylinders one by one, and for each
cylinder, the temperature is changed from 20°C to 40°C with a temperature increment of

5°C with the RTDs’ resistances recorded at each point.

Fig. 40 shows the analysis of the sensor performance when both heating and
bending are considered. The z-axis represents the overall measurement error, which is
calculated by comparing the recorded resistance against the theoretical value using
TCRsum, at a specific combination of temperature and bending radius. If the
measurements are performed using only a single RTD (e.g., RTDz), the resistance will
increase due to the mechanical stress as well as heating (red plane). A maximum error of
32% is observed when the RTD is tested at a temperature of 40°C with a bending radius
of 40 mm. When both RTDs are used and the bending compensation methodology is
applied, the maximum error is reduced to 9.6% (cyan plane). After post-data calibration
to accommodate the variations from devices and testing is implemented, the measurement

errors are further minimized (blue plane) with a maximum error of approximately 2%.
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Figure 39

Experimental Setup for Heating and Bending the Sensor

Flexible Heater

(@) (b)
Note. (a) Flexible heater placed on the 3D printed half cylinder. (b) Sensor device placed
on the heater such that the RTD, comes in contact with the heater and RTD1 is exposed to

air.
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Figure 40

Analysis of Resistance Measurement Errors When the Sensor is Under Heating and

Bending at the Same Time

No Compensation
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No Calibration
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Calibration

4.5.2 Temperature Quantification while Stretching the Sensor

In order to evaluate the influence of stretching, a tensile testing machine (from
SHIMADZU) is used. In the tensile testing instrument, the sensor is clamped at both ends
and stretched uniaxially with increments of 1 mm. At each increment, the resistance

changes of both RTDs are measured using the microcontroller module.
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When the sensor is stretched, both RTDs experience tension which increases their
resistances, as shown in Fig. 41. The maximum resistance changes of RTD1 and RTD>
are measured as 172% (black line) and 206% (green line), respectively. These errors can
be reduced to 34% by using the linear compensation method (red line, Rsun) described in
Section 4.2. With the calibration applied, the measurement errors can be further
minimized (blue line). In addition, after calibration, the sensor demonstrates very low

errors when the strain is under 3%.

Figure 41

Analysis of Resistance Changes While Stretching the Sensors
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Note. When the sensors are stretched, the resistances R (black line) and R2 (green line)
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increase as both RTD: and RTD- face tension. Compensation (red line) and calibration

(blue line) are performed to reduce the reading errors.

For the 2-RTD-based sensor, the subtracted values of the change in resistance as a

function of temperature is shown in Fig. 42. The TCRsub is calculated using the equation:

TCRsyp = RS“”“""“; ub@0'0) — 9 5 x 1073 /°C (17)

where Rgyp0°cy aNd Rgyp(200¢) are the measured Rsup Values at 20°C and 40°C,

respectively, and AT =20°C. The value of TCRsu is smaller than TCRsum. This is because

TCRgm is calculated by the addition of both RTDs while TCRgy is based on subtraction using

values from the two RTDs.
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Figure 42
Subtraction of Change in Resistance of the Sensor Versus Temperature from 20°C to

40°C
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Note. The TCR is calculated as 2.5 x10 /°C by using linear curve fitting.

The sensor module is then analyzed by varying the temperature and stretching the
substrate at the same time, with the experimental setup shown in Fig. 43. The sensor is
heated up to 40°C as well as stretched to a 4% strain. Fig. 44 shows the analysis of the
sensor performance when both heating and stretching are considered. The measurement
errors of a single RTD (red plane) can be effectively reduced by the subtraction

compensation method (cyan plane) and then by the calibration method (blue plane).
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Figure 43

Experimental Setup for Heating and Stretching the Sensor

Upper Clamp

PDMS Substrate
RTD Front and Back

Flexible Heater

Connecting Wires
Lower Clamp

Note. The sensor is mounted on a tensile tester and the back pattern RTD: is attached to a

flexible heater.
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Figure 44

Analysis of Resistance Measurement Errors when the Sensor is Under Heating and

Stretching at the Same Time
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4.6 Physical State Determination
While performing measurements in real-time, the microcontroller needs to
determine whether the sensor is being bent or stretched. This is a compulsory step since

only after the determination of the physical state can the device apply the correct

algorithm and result in an accurate measurement of the temperature.

Fig. 45 shows the step-by-step analysis for the microcontroller to determine the

physical state of the sensor before it can apply the necessary compensation technique and
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measure the temperature. When the sensor is bent upward, the resistance Ry increases due
to tension and R> decreases due to compression, thus, the two RTDs change differentially
(AR1~ -AR2). The changes in resistance due to these tensile and compressive forces are
represented by the black arrows (upward means increasing and downward means
decreasing). The length of the arrow represents the amount of resistance change.
Similarly, when the sensor is stretched, both R: and Rz increase due to tension, thus, the
two RTDs change linearly (AR1~ AR>2). When heating is introduced, RTD, experiences
an increase in Rz as it is in direct contact with the heat source. Next, the heat propagates
through the substrate and also causes an increase in R1. The red arrows represent the
resistance increases of both RTDs due to increased thermal energy, and the length of each

arrow represents the amount of resistance increase.

Step 1 (Initial Conditions): In order to determine if the sensor is undergoing
bending or stretching, the trend of resistance change is used by comparing the most
recent resistance value of each RTD with its previously recorded value. The resistance
trends of both RTDs will be examined together to help the microcontroller determine the
sensor’s deformation status, e.g.,

e Ry increasing and Rz decreasing = Bending

e Both Ry and R2 increasing = Stretching

However, this comparison and its conclusions are valid only when temperature is not a
factor. If temperature is considered, the situation is much more complicated because both
the temperature and the mechanical deformation can change the resistance values. For
example, a compressed RTD in a heated environment may show an increased (R’2 > Ry)

or decreased (R’2 < R») resistance, depending on the combined effect of the two factors.
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Using the initial condition alone is not sufficient to determine the actual physical state of
the sensor. Therefore, another condition, a so-called comparative condition, needs to be

applied.

Step 2 (Comparative Conditions): The resistance changes of the two RTDs, AR1
and AR», are compared against each other. The Step 2 graph in Fig. 45 illustrates the
change in resistance (AR) vs. temperature (T) for the two RTDs. The resistance changes
of RTD; and RTD: are represented by the blue and green dotted lines, respectively. In the
scenario where bending takes place, the starting value of AR1 (a positive value) will be
higher than that of AR (a negative value). As the temperature increases, both R; and R
will increase. However, the comparative condition of AR1 > AR2 will remain valid within
a reasonable temperature range. Therefore, it can be used by the microcontroller to

determine that the sensor is under both bending and heating.

Similarly, a comparative condition of AR1 < AR> can be used for the scenario of
stretching and heating the sensor. In this case, the thermal insulation property of the
substrate, no matter how thin, is considered. Since RTDz is in direct contact with the
heating source, its actual temperature will be higher than that of RTDq, as there is an
inevitable temperature gradient across the substrate when the outer sensor is exposed to
air. Consequently, the change of resistance of Rz, AR, will always be greater than that of
R1, ARy, and the condition AR1 < AR> can be used by the microcontroller to determine
that the sensor is under stretching deformation. It is also worth noting these comparative

conditions are valid when the sensor is being cooled down.

98



Step 3 (Compensation): After the physical state of the sensor is determined, the
next step is to apply the necessary compensation equations. If the sensor is undergoing
bending, the differential compensation equation using Rsum should be applied; if the
sensor is undergoing stretching, the linear compensation equation using Rsub Should be
applied. These compensation techniques, along with the calibration adjustment factor X,
will reduce the mechanical stress-induced effects on RTDs to a small tolerable value, and

any change in the value of Rsum and Rsu» Will only be caused by a temperature change.

Step 4 (Applying TCR): Once the stress effects are removed, the sensor can then
be used to quantify the temperature by using the appropriate TCR for each condition. In

particular, the actual temperature can be calculated using one of the two equations:

R —R o 18

T = sum(T) sum(20°C) +20°C ( )
TCRyym

R - R o 19

T = sub(T) sub(20°C) +20°C ( )
TCRgyup

The designed temperature sensor is tested to provide compensation against
bending and stretching effects. However, the sensor is only tested under a controlled
environment in a clean research space. The measurement results may vary if the device is
used in a harsh condition with other environmental factors such as high temperature,
humidity, and pollutants. In addition, there are some measurement limitations for the
current design. For example, the compensation methodology can provide reliable

measurement for a maximum radius of 40 mm when the sensor is bent or a maximum
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strain of 3-5% when it is stretched based on our data. The device performance under
additional bending or stretching, or even more complex deformations (e.g., bending +
stretching, twisting, etc.), needs to be further investigated. The developed flexible sensor
can measure the temperature up to 40°C, after which the PDMS substrate expands
substantially due to its high coefficient of thermal expansion and the temperature sensor
demonstrates a nonlinear behavior [179, 180]. Last, the device can be used as a smart
wearable sensor for body temperature measurement as the normal body temperature is
37°C (98.6°F). With a nominal operating range of 20-40°C, the current sensor can be
used to detect normal fever (> 38.3°C) and hypothermia (< 35°C). However, the sensor
might not be able to measure the temperature reliably during hyperpyrexia (> 40°C) [181-
183]. Some of these limitations as well as their potential solutions (e.g., other polymer

substrates with enhanced thermal stability) will be explored in our future research.
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Figure 45
Step-By-Step Analysis to Determine the Physical State of the Sensor, Apply the Necessary

Compensation Technigue, and Determine the Temperature Using the Sensor
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4.7 Conclusion

In this work, a novel flexible temperature sensor that could provide compensation
against mechanical deformations and measure the temperature with high accuracy was
fabricated and characterized. The sensor was tested for bending by using 3D printed
curvatures with radii ranging from 100 mm to 40 mm. It was observed that even before
calibration, the dual RTD configuration was able to reduce the bending-induced
resistance change from 30.1% (from a single RTD) to 8.5%. The bending error was
further reduced to 2% after calibration was performed. To evaluate the influence of
stretching, the sensor was clamped to a tensile testing machine and stretched uniaxially
with increments of 1 mm up to a total of 5% strain, a value that significantly exceeds
most found in wearable applications. The sensor was able to provide reliable
measurements with very low errors up to a 3% strain. The temperature sensitivity of the
sensor was determined by using a flexible heater. The developed sensor demonstrated a
linear response within a temperature range of 20°C to 40°C. Last, the characterization of
the sensor under both temperature variation and mechanical deformation demonstrated
that the dual RTD configuration could effectively remove the influence from substrate
bending/stretching and measure the temperature reliably. The methodology reported here
is effective, novel, and easy to implement. It can be readily adopted by other flexible
sensor designs to provide accurate temperature measurement. The devices that have
deformation compensation in place will have great potential for a variety of wearable

applications.

102



Chapter V

Conclusions and Future Work

5.1 Conclusions

In this work, we developed a variety of flexible electronic devices and utilized
them for measuring and analyzing physiological signals for health monitoring. Flexible
electronic devices are demonstrated to be lightweight and low-cost, and they do not cause
any discomfort when attached to the human body for measurement. It is shown that these
flexible devices can measure physiological signals with high accuracy in their natural

context.

First, we introduced a novel design of a wearable ring with integrated flexible
copper electrodes for bioelectrical impedance analysis. The designed system minimizes
the electrode placement error and compensates for the parasitic impedance caused by
small, dry copper electrodes. The performance of the flexible copper electrodes was
compared with the commercial Ag/AgCI electrodes by conducting experiments on 40
healthy human subjects. The three-electrode method was used to determine the skin-
electrode contact impedance. The contact impedance of the flexible dry copper electrodes
(5.18 £ 0.66 kQ) was found to be much higher than that of the wet Ag/AgCl electrodes
(933.37 £ 40.06 Q). This is mainly because of the absence of conductive gel and the
smaller size of flexible dry electrodes (26 mm x 10 mm) as compared to the wet
electrodes (40.6 mm x 33.02 mm). The four-electrode method was used to eliminate the
skin-electrode contact impedance. This technique removed the electrode impedance from
the body impedance, given that the input impedance of the measurement circuit is
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sufficiently high. Electric current constriction was another factor that caused higher
impedance in small flexible electrodes. This higher impedance due to the current-
constricting geometry could not be eliminated using the four-electrode method. The
average impedance in flexible electrodes was calculated to be Rp = 25.37 Q and X, = -
15.8 Q. Furthermore, the hand and fingers imposed a great amount of impedance even
though they only constituted a small part of the human body. The average wrist-to-finger
impedance was calculated as Rnand =71.8 Q and Xhand = -29.62 Q. The microcontroller
was programmed to compensate for these higher impedances caused by the hand/fingers
and the current constriction of small flexible electrodes. The designed ring analyzer was
then compared with the commercial analyzer OMRON HBF 306C for body fat
estimation. The linear regression demonstrated a strong correlation (r = 0.9) between the
designed ring-based analyzer and the reference monitor for body fat estimation.
Furthermore, the Bland-Altman plot demonstrated that only 2 out of the 40 subjects lied

outside the 95% limit of agreement.

Afterward, we developed two highly flexible multi-frequency BIA systems, one on
paper and the other on a plastic substrate, and compared their electrical and mechanical
performances. Conductive silver ink (Alfa Aesar 45661) was used to develop
interconnects by using a fluid dispensing machine (Voltera VV-one). Failure analysis was
performed to determine the maximum bending angle at which the electrical bond between
the electronic component and the substrates broke. The failure angle for the paper was
found to be 53° £ 4°, while, for plastic, the failure angle was 42° + 3°. The fibrous porous
structure of the paper absorbed the silver, which strengthened the bond between the two

materials. By comparison, the plastic substrate was a non-porous material and all the
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printed silver traces were coated on the surface without providing additional adhesion.
The power consumption was also measured for the BIA systems developed on both
substrates. The power consumption of the system developed on the paper substrate during
active mode (83.3 mW) was higher than that of the system developed on the plastic
substrate (65.7 mW). In addition, the system developed on conventional rigid PCB
consumed the least amount of power (53.4 mW). The difference in power consumption
came from the properties of silver traces on the flexible substrates. For example, a silver
trace on plastic had a resistance of 0.3 Q/cm while on paper it was increased to 0.5 Q/cm.
This is because the silver ink sinks into the fibers of the paper, hence decreasing the
uniformity, thickness, and eventually the conductivity of the silver trace. The
performance of the flexible paper and plastic-based electrodes were compared with the
commercial Ag/AgCI electrodes. The experiment was conducted on 12 healthy subjects,
following an approved protocol by Rowan University Institutional Review Board. The
results demonstrated that the skin-electrode contact impedance of flexible dry electrodes
was much smaller than that of the wet electrodes throughout the frequency spectrum.
This is due to the larger size of flexible electrodes (85 mm x 50 mm) as compared to
Ag/AgCl electrodes (40.6 mm x 33.02 mm). The large surface area provides a wider path
for the electric current to go through the body, thus even though the flexible electrodes
lack the presence of conductive gel, their electrode impedance is lower. Between the two
flexible substrates, the contact impedance of plastic-based electrodes was lower because
the silver layer on plastic possessed higher electrical conductivity than that on the paper
substrate. Finally, the bioimpedance data of 12 subjects were measured using the 4-

electrode method to eliminate the electrode contact impedance. The results demonstrated
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that after the calibration, all the subjects showed a similar trend of bioimpedance

throughout the frequency spectrum of both paper and plastic sensor modules.

Last, we investigated a novel methodology to provide compensation against
mechanical deformation for flexible resistive temperature detectors (RTDs). Two RTDs
were fabricated back-to-back on a PDMS substrate through stencil printing using a silver
paste. When the sensor was bent on a curved surface, the RTD on the top side faced
tension. This caused an increase in the electrical resistance of the RTD. Meanwhile, the
RTD on the bottom side faced compression which decreased the electrical resistance.
Since both RTDs were fabricated back-to-back, their resistance changed differentially,
and the sum of resistance remained almost a constant. Therefore, the resistance variation
caused by bending was canceled out. Similarly, when the sensor was stretched, both
RTDs were stretched equally, and they experienced a comparable amount of tension
which increased their resistance equally. Therefore, the subtraction of resistances of the
two RTDs was almost zero under stretching. The bending experiment was conducted
using 3D printed curvatures with varying radii ranging from 100 mm to 40 mm. The
results demonstrated that, after calibration, the sum of change of resistance of dual RTDs
(2 £ 0.7%) was very small as compared to the variation of a single RTD (30.1% and -
22.5% for the two individual RTDs). The baseline temperature sensing characteristics of
the RTDs were determined by heating the sensor on a flat surface. A flexible heater was
used and the temperature was varied from 20°C to 40°C with increments of 5°C. The
temperature coefficient of resistance (TCR) for the sum of resistance was calculated to be
5.9x107%/°C. The sensor performance was then analyzed by considering both bending and

heating. A maximum error of 32% was observed when a single RTD was tested at a
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temperature of 40°C with a bending radius of 40 mm. When both RTDs were used and
the bending compensation methodology was applied, the maximum error after calibration
was reduced to 2.3%. The stretching experiment was conducted using a tensile testing
machine. The TCR for the subtraction of resistance was calculated to be 2.5x107%/°C.
Finally, the sensor was tested for simultaneous stretching and heating, and the
measurement error of a single RTD was found to be effectively reduced by using the
compensation method. Table 6 shows the comparison of our designed device with other

strain gauges reported in recent publications.

Table 5

Comparison of the Designed RTD with Similar Systems

Source | Substrate Deposited Fabrication Notes | Temperature
Material Methodology Sensitivity
[154] PET Reduced Air spray coating | Compres | 6.34x1073/°C
graphene oxide sed layer
structure
[171] Pl Silver ink Ink jet printing N/A 2.19x10%/°C

[173] | Pland PU Gold and Photolithography Very 2.7x1073/°C

chromium small
(10:1) gauge
factor
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Source | Substrate Deposited Fabrication Notes | Temperature
Material Methodology Sensitivity
[184] Pl Silver-carbon Screen printing N/A 2.6x1073/°C
composite
[185] Pl Platinum and | Photolithography | Tempera | 0.8x10%/°C
indium oxide ture
based
Electrom
otive
force
[177] PDMS Ligand-treated Coating and N/A 0.5/°C
silver deposition
nanocrystal
[174] PET Silver ink Ink jet printing Dual 1.076x1073/°C
sensor
(only for
bending)
This PDMS | Silver adhesive | Stencil printing Dual 5.9x1073/°C
Work sensor | 2.5x10%/°C
(bending
and
stretchin
9)
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An algorithm was also developed to determine the physical state of the sensor. The
compensation-implemented flexible sensor demonstrated promising results and can be
used to measure temperature accurately under mechanically deformed conditions. This
provided the sensor the ability to adapt to curved or irregular surfaces and perform long-
term temperature measurements as compared to conventional temperature sensors that are
fabricated using silicon technology. The compensation method enhanced the competence
of flexible temperature sensors and increases their potential for applications in wearable

electronics.

5.2 Recommendations and Future Work

Several research efforts are likely still required in the future to make the designed
wearable devices available on a commercial scale and utilize them in a daily home-based
environment. Initially, a more compact design is needed that will allow for the potential
integration of the wearable ring with an integrated circuit on a flexible substrate-based
impedance analyzer for design improvement. This would allow us to further miniaturize
the hardware so that the entire device can be encapsulated on the ring. Furthermore, data
needs to be collected from additional subjects in order to develop a new, but fully
validated equation for body fat estimation. The device-specific equation for the
determination of body fat will provide higher accuracy with more subjects involved. The
complete equation will include compensating factors for wrists, fingers, and the current
constriction due to small dry electrodes, in addition to the height, weight, age, and gender
information for the specific subject. The next iteration of this device also needs to include

capabilities for body hydration content, skeletal mass, and muscle mass estimation. This
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will allow the flexible wearable device to determine the complete composition of the

human body and provide a bigger, more detailed picture for health analysis.

Additional functionalities and capabilities are also required in the designed
flexible temperature sensor. The next iteration of the device can include real-time strain
monitoring ability, which can be achieved using the Wheatstone bridge configuration,
along with the temperature measurement. New fabrication methodologies such as nano
inkjet printing and photolithography should be evaluated in order to develop sensors on a
smaller scale. In addition, using application-specific integrated circuit (ASIC) designs
will allow the integration of the controller module on the PDMS substrate along with the
sensor module. A fully integrated and miniaturized temperature sensor system will allow
real-time measurements with high accuracy. Furthermore, artificial intelligence and
machine learning algorithms can be developed and applied to help the device determine
the physical state of the RTD even when the ambient temperature is changing. Last, these
algorithms can significantly improve the overall system design, eventually leading to the

production of smart wearable systems for healthcare applications.
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