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Abstract

There is a growing demand to continuously monitor the ECG over longer
periods of time. This demand comes from all areas of life; from tracking sickness for
improved treatment and prevention to optimizing performance for athletes and
workers in dangerous environments. To meet this demand, wearable devices are
designed to monitor health status continuously and autonomously. This is called
wellness monitoring, and it has been shown to improve quality of life by reducing
reliance on reactive treatments. When wellness monitoring is applied to ECG
systems, the existing solutions have a variety of limitations oriented around the
limits of traditional electrodes. Conductive textile electrodes offer an alternative to
traditional electrodes but they come with their own challenges. One of the key
challenges with textile electrodes is that it is not well understood how a given set of
manufacturing parameters influence the ECG measurement. The current ways of
relating manufacturing parameters to ECG measurements rely on physical trial-
and-error methodologies which inhibit design cycle iterations.

This research presents a novel model of the ECG system, which ties the
electrical behavior of woven textile electrodes to their manufacturing parameters.
Specifically, this research investigates how the yarn type, weave pattern, and patch
area of a woven electrode are related to the circuit parameters in the skin-electrode
interface model. A parameterized model of the ECG system was constructed which
depends on the circuit parameter of the skin-electrode interface as well as the
circuit parameters of the associated circuitry. Through this relationship, the circuit
parameters corresponding to woven electrodes were fit using an optimizer that

minimizes the differences between a simulated and measured waveform.
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The manufacturing parameters for 16 sets of woven electrodes were related to
their electrical behavior. A yarn type with lower resistivity creates an electrode with
lower skin-electrode impedance but higher variance. The Silver yarn electrodes
have a variance of as much as 12MQ. The larger the surface area of a woven
electrode patch, the larger the capacitance, and the lower the impedance. The Area
type electrodes increased in area from 0.5 in2 up to 5 in2 and their impedance
decreased by 5MQ, with one exception. The performance of the model was validated
through a Leave One Out Cross Validation scheme which demonstrated a good
model fit across 6 human subjects for 2 minutes of data collection.

This equivalent model demonstrated for the first time the relationship between
woven electrode manufacturing parameters and their electrical circuit parameters.
By using this model, woven electrodes can be better designed for optimal ECG
capture capability. Furthermore, ECG circuitry can be customized to accommodate
the variation between different types of electrodes. This work builds from previous
work on textile sensor development and enables future work to target even better

textile sensor design.
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I. Introduction and Motivation

The measurement of the body’s physiological status through biometrics is a
critical healthcare function, ranging from monitoring the sick and elderly, to
tracking the performance of astronauts and athletes. Specifically, the
electrocardiograph (ECG), which measures electrical impulses from the heart, is one
of the most well-used methods today of capturing biometric activity to indicate
health status. For example, the ECG is instrumental in monitoring cardiovascular
disease (CVD) (Y Du 2017). CVD was the number one cause of death in the United
States in 2019 and 2020 and was the single leading disease worldwide (Y Du 2017,
Kochanek, Xu, and Arias 2020). Clinically, ECG signals are used to identify cardiac
abnormalities and diagnose potential heart problems thus preventing more serious
health issues from arising (John G. et al. 2010).

Since the first human ECG measurement in 1895, biometric capture technology
has evolved dramatically. While modern healthcare technology is continually
finding new ways to diagnose and monitor the health and status of individuals,
many chronic diseases are still difficult or impossible to cure. Proactive healthcare
through wellness monitoring may be an effective way to prevent these challenging
ailments. Wellness monitoring is the concept of using wearable devices coupled with
automated data analysis to passively and continuously monitor individualized
health status over time (Giovanni 2021). This enables proactive intervention which
can prevent costly or detrimental healthcare problems from developing. In the
above example, CVDs are among the leading causes of prolonged disability and
early mortality, which makes the timely diagnosis of early symptoms a recurrent
critical issue (Nikolova-Hadzhigenova 2019). Early diagnosis and prevention of

CVD enabled by long-term monitoring can not only save lives but also carries



significant financial benefits as an alternative to costly detection and treatment (Y
Du 2017).

Monitoring the heart continuously has additional utility beyond addressing
chronic illnesses. The human body’s normal heart rate is impacted by sleep,
emotion, exercise, fever, and many other stimuli (John G. et al. 2010; Arquilla,
Webb, and Anderson, n.d.; Arquilla 2021b; Huff et al. 2022; Cobarrubias 2020). The
list of applications for heart data is ever growing. For example, athletes regularly
monitor their own heart rate data to track their health and performance during
exercise (Cobarrubias 2020). These applications are an extension of wellness
monitoring into human performance optimization. Another application of
continuously monitor ECG is psychophysiological monitoring which connects
metrics such as heart rate variability (HRV) to psychological state (Arquilla 2021b;
2021a). This can be as simple as diagnosing sleep related issues such as drowsiness
or sleep apnea (Lofhede, Seoane, and Thordstein 2012) and can even be leveraged to
monitor behavioral health objectively and continuously when coupled with
advanced psychological state detection algorithms (Arquilla 2021a; Arquilla, Webb,
and Anderson, n.d.).

One key feature of assessing ECG in these applications is that the long-term
capture of physiological data occurs outside the hospital setting, which creates a
demand for personal health monitoring systems. With the miniaturization of
electronics and improvements in affordability, personal health monitoring is
becoming more accessible and ubiquitous (An and Stylios 2018; Heikenfeld et al.
2018). Wearable devices are one form of personal health monitoring technology
which has the potential to meet this demand and not only increase user convenience
but also decrease the dependence on large and bulky hospital equipment (Yokus

and Jur 2016). Wearable devices reduce high hospitalization expenses and improve



the quality of life for those who have chronic diseases and need to be monitored
continuously (Yokus and Jur 2016).

One of the key challenges for monitoring the heart with wearable devices is the
mnability to obtain the full ECG waveform. Fundamentally, the ECG is a graph of
the voltage generated by the heart with each contractile action of segments of
cardiac muscle (John G. et al. 2010). This is important because the ECG waveform
provides insight into the electrical status of the heart’s state. The electrical
1mpulses of the ECG correspond to the different chambers of the heart muscle. By
noting changes in the waveform, it is possible to confidently infer what is occurring
in the heart’s nerves and muscle tissue. These elements of the wave form have
additional utility in human performance optimization and psychophysiology. Today
there are a growing number of commercial devices available to the general public
such as Fitbits and Apple watches which provide limited cardiovascular
performance data. Critically, these devices largely utilize photoplethysmography, a
technique which observes blood flow in the skin, to detect heart rate peaks and
subsequently to infer general heart status (Heikenfeld et al. 2018; Taji et al. 2014;
Arquilla, Webb, and Anderson 2021). This method does not measure cardiac
electrical signals and therefore does not capture the complete ECG waveform which
contains valuable smaller peak information (Taji et al. 2014). As such, many HRV
metrics which depend on distortions in the ECG waveform or subject-specific
assessment of cardiac status cannot be calculated since it only measures the largest
peak of the wave. Subsequently the reliance on this method limits the identification
of pathologies from those which would be revealed via the full ECG waveform
(Arquilla, Webb, and Anderson, n.d.).

Providing information of the full ECG waveform during chronic daily use outside
of a clinical setting has been a technical challenge for implementing cardiac

wellness monitoring (Arquilla, Webb, and Anderson 2021; Schauss 2022). The
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challenge is associated with the traditional method of collecting the ECG waveform.
Traditionally the ECG waveform is captured by applying adhesive electrodes with
electrolyte gel to the skin surface. Those electrodes are connected to electrical
circuitry which then captures and records the bioelectric signals generated by the
body. Modern systems that capture ECG continuously rely on this sensor
technology, despite the fact that it was not developed for persistent wearable
formats (Bystricky et al. 2016). The Holter monitor, shown in Figure 1, is the current
gold-standard device for clinically relevant monitoring. It is a battery-operated
wearable device that uses traditional adhesive gel electrodes. It is worn during day-
to-day operation because some specific cardiac events are difficult to observe in the
clinical setting. Certain events such as arrhythmias (abnormal heart rhythms) may
occur infrequently or only under certain conditions, such as stress or activity. These
monitors are usually accompanied by instructions to keep a log of activity and
symptoms during the observation period. The information captured by the monitor
and the log will then be reviewed by a doctor afterwards. The results can be used to
determine if an abnormal heart condition is present or if a treatment for a known
condition is working properly. The key challenge of this method, is that the
adhesive gel electrodes have several limitations; they must be applied fresh on
specific locations, are consumable, dry out over time, and can irritate the skin with
chronic use [2], (Taji et al. 2014). Every reapplication of adhesive electrodes, has the
potential to introduce placement and measurement errors which reduces the
diagnostic capability of the ECG. Some of these characteristics are tolerable in
settings where a fresh supply of replacement electrodes can be properly reapplied,
but monitoring for long periods outside of those environments is often not feasible

with traditional electrodes (Yoo and Hoi-Jun Yoo 2011).
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ECG reading showing heart rhythm

Holter monitor
Figure 1: Holter monitor on the body with corresponding ECG waveform reading

One such application of key interest is in human spaceflight, where long term
monitoring of the complete ECG waveforms is used to comprehensively monitor
astronaut health (Huff et al. 2022). During Extravehicular Activities (EVAs) in
particular, when astronauts are under severe physical and mental stress,
monitoring the ECG waveform is used both for research and for risk mitigation
(Johnston, Dietlein, and Berry 1975). During the Apollo missions a
bioinstrumentation system was used to record the ECG of the astronauts (Johnston,
Dietlein, and Berry 1975). According to the Biomedical Results of Apollo report, the
electrode harness originally utilized adhesive taped Ag/AgCl electrodes filled with
electrolyte paste. Several changes were made to the harness during the Apollo
Program as a result of inflight problems, testing and operational changes. The
electrode attachment technique was designed to maintain long-term body contact
but attachment was difficult to maintain without discomfort and skin damage
(Johnston, Dietlein, and Berry 1975). Despite the challenges with the ECG, they
were able to capture arrhythmias of Apollo astronauts (Anzai, Frey, and Nogami
2014). As a specific case during Apollo 15, the waveform of astronaut James Irwin
was observed to have bigeminal premature ventricular contraction (PVCs) and
atrial premature contractions (APCs), which is believed to be the result of a
deficiency in potassium electrolytes due to dehydration from fluid loss and over
exertion (Johnston, Dietlein, and Berry 1975; Anzai, Frey, and Nogami 2014). This
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observation would not have been possible with a modern blood flow monitor, since
the shape of the waveform, not just the peak timing, had changed. Since the Apollo
era, atrial and ventricular premature contractions, short-duration atrial fibrillation,
and non-sustained ventricular tachycardia have all been reported during spaceflight
missions (Huff et al. 2022; Anzai, Frey, and Nogami 2014).

ECG monitoring has been included as part of the autogenic feedback training
exercise (AFTE) from NASA Ames Research center as a method of biofeedback to
aid in autogenic therapy for spaceflight stress (Arquilla et al. 2020). Both the
hazardous environment of space and the heavy tasking placed upon astronauts
means that their body is under tremendous chronic stress (Arquilla 2021a; Anzai,
Frey, and Nogami 2014). However full-time monitoring from ground support teams
1s not always be possible, especially during the communication constraints of long-
duration or deep space missions. Furthermore, measurements at prescribed
intervals allow for opportunities to miss potential cardiac events. Despite selecting
for healthy participants, monitoring the heart health of astronauts continuously
ensures wellness and prevents illness from arising during a mission. Additionally
utilizing the ECG continuously would improve our understanding of the human
bodies adaptation in deep space which is valuable for scientific research (Anzai,
Frey, and Nogami 2014). In long-term spaceflight operations, traditional disposable
electrodes are not a feasible option, due to the high cost of launch masses, limited
volume allocated for consumables, and limited astronaut time for tasking. As an
estimate for using the traditional electrodes on a long-duration mission, assuming a
crew of 5, on a 16-month trip to Mars, consuming three ECG electrodes per day per
crew member; the required added launch mass is approximately 41kg from 8200
disposable adhesive electrodes. This also assumes the shelf life for traditional ECG

electrodes is at least 16 months.



To address these needs for long term ECG monitoring, novel sensors are
currently being develop which improve upon the shortcomings of the traditional
adhesive sensors. Conductive textile electrodes are one relatively new technology of
interest (Paradiso and De Rossi 2006) and in this research woven textile electrodes
specifically are presented as a potential solution. Textile electrodes are usually
made of conductive yarns by weaving, knitting or embroidering processes; or by
coating non-conductive fabrics with conductive polymers (An and Stylios 2018). The
do not use gel electrolyte thus they are reusable, do not “dry out” or degrade over
time, and can be integrated into larger garments (Arquilla, Webb, and Anderson
2020a). Additionally, they do not use adhesive to adhere to the body, ensuring they
do not irritate the skin on remove and reapplication (Bystricky et al. 2016). Textile
electrodes are more biocompatible, comfortable, and convenient to wear for long-
durations than adhesive electrodes. These benefits though, are also their primary
challenge. Without a gel electrolyte they have higher skin impedance and without
adhesive they are more susceptible to motion related noise. Textile electrodes have
the potential to fill the gaps left by other solutions by being a long-duration hands-
off solutions without recurring consumable mass (Arquilla, Webb, and Anderson
2020a) but they do not come without drawbacks.

While conductive textiles are appealing in many regards, there is a limited
understanding of how to optimize performance to overcome their drawbacks.
Characterizing the higher impedance of the skin interface of conductive textiles has
been difficult. This is because there are many factors which contribute to impedance
beyond the electrode’s physical characteristics, such as human subject
characteristics, as well as fit and placement (Cobarrubias 2020). Typically, textile
electrodes are evaluated through iterative fabrication and testing cycles (Schauss
2022). This is because it is unclear which manufacturing parameters correspond to

a textile’s electrical behavior and no predictive comprehensive model exists. More
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precisely, for a given set of textile electrodes their electrical properties are unknown
until measuring them after they have already been manufactured. This repetitive
fabrication methodology is inefficient and limits their development. In order to use
textile electrodes for chronic ECG applications, it is necessary to obtain a better
understanding of their electrical behavior and how it relates to design and
manufacturing (Taji et al. 2014). An equivalent model which relates the electrical
behavior of textile electrodes to the manufacturing parameters would provide this
understanding and would be instrumental in designing better integrated solutions
for wellness monitoring. While there does exist a skin-electrode interface model
from literature, it is used to generally describe the electrical behavior of electrodes
on skin using classical circuit parameters (Medrano et al. 2007). No prior work has
related the interface model to textile electrode manufacturing design parameters.
When approaching healthcare from the proactive perspective of wellness
monitoring, the demand for continuously monitoring the full ECG waveform is
apparent. The introduction of wearable technology solutions combine today’s
advances in electronics and communication technology with innovative cardiac
recording capabilities resulting in a giant leap in the development of ambulatory
monitoring (Nikolova-Hadzhigenova 2019). Commercially available wearable
devices are functional, but they fall short by failing to capture the full ECG
waveform. The traditional method of capturing the full ECG does not work well in
continuous applications outside the clinical setting. Textile electrodes have the
potential to capture the full ECG waveform for long periods of time while being low
profile, consistent, comfortable, and reusable. In order to realize this potential and
design these electrodes consistently, a generalized equivalent model is needed to

characterize their behavior.



Objective

The engineering objective of this paper is to close a development gap for
manufacturing textile electrodes by providing an equivalent model. Generally
speaking, an equivalent model is a mathematical representation of a system which
describes how the system will behave for a given set of conditions and inputs. In
this case the equivalent model is a transfer function which describes the ECG
system and the conditions are the various types of electrodes determined by their
design parameters. This research builds a model which simulates woven electrode
behavior, by relating electrical signal generated internal to the body, to the
electrical signal measured by the ECG system. The ECG system contains the
manufacturing design parameters of the electrodes described in terms of their skin-
electrode interface circuit parameters. The model describes how the shape and
amplitude of an ECG waveform changes when captured with a specific electrode.
This model ties the ECG waveform to the manufacturing design parameters
enabling faster optimization of long-term usage textile electrode designs.

After completing the engineering objective two hypotheses will be investigated.

e Hypothesis 1: The traditional skin-electrode interface model can describe the

electrical behavior of woven textile electrodes
e Hypothesis 2: The circuit parameters of the skin-electrode interface model
can be related to the manufacturing parameters of woven textile electrodes.

For hypothesis 1, the skin-electrode interface model is a circuit model described
in Figure 6 with parameterized circuit elements, that describes how an electrical
signal travels across the skin and into the ECG device. The “behavior of an
electrode” refers to how the shape and amplitude of an ECG waveform changes
when captured with that specific electrode relative to another electrode. This
hypothesis investigates if the traditional skin-electrode model is sufficient to
describe the interface or if a new circuit architecture is be needed. For hypothesis 2

the manufacturing design parameters refer specifically to yarn type, weave pattern,
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and surface area. This hypothesis investigates the relationship between the circuit
parameters of the skin-electrode interface model and the manufacturing parameters
of woven electrodes. To investigate this parameter space, woven electrodes were
previously manufactured by Dr. Katya Arquilla (Arquilla 2021b; Arquilla, Webb,
and Anderson 2021; 2020a). The electrodes were used by Dr. Arquilla to collect
human subject data (Arquilla 2021b; Arquilla, Webb, and Anderson 2021; 2020a).
This dataset provides the base content which is used to fit parameters in the
equivalent model.

In this thesis, a parametric model is built using measured ECG waveforms from
a large set of woven electrode types, spanning several manufacturing parameters.
Once the engineering objective is complete the electrical parameters, which have
been found for a specific set of woven electrodes, can be related to the
manufacturing parameters of woven textiles in general. This relation would aid in
the design and manufacturing of future conductive textile electrodes for ECG
devices and long-term monitoring solutions.

Chapter II will review the existing literature on the ECG and textile electrodes.
A description is given of the ECG waveform and how it is measured. The analog
circuitry of the ECG system is described at the functional level. Then the existing
traditional adhesive electrodes are described and compared against the novel woven
textile electrodes. The parametric skin-electrode interface model is described.
Finally, a table which provides a comprehensive comparison between textile and
traditional electrodes is provided summarizing the discussion of chapter 2.

Chapter III will build a parameterized transfer function of the full ECG system.
The simplifying assumptions are stated and the overall methodology is described.
The specific parameters for an adhesive electrode are collected from literature, and
used to compute the in-body waveforms for all 10 subjects. A parametric transfer

function of the ECG system is used to simulate the ECG waveform for a specific
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textile. The circuit parameters corresponding to each electrode are numerically fit
by comparing the measured and simulated waveforms across subjects.

Chapter IV contains the results, which will look at the relationship between the
specific circuit parameters of the fit transfer function model and the corresponding
manufacturing parameters of the unique textile electrodes. A description of the
validation and the results of the parameter fit are presented here. The results
describe the electrical parameters of electrode sets, and a comparison of the in-body
waveform and simulated waveform used per subject.

Chapter V contains the discussion and conclusion. The discussion section will
describe how well the electrical parameters of the model transform an input
waveform into an output waveform. The discussion is also where the correlation
between electrical and manufacturing parameters occurs and which parameters of
the model are most influential for designing future textile electrodes. The
concluding remarks provide guidance for the next steps in designing woven textile

electrodes and suggestions and observations regarding improvements to the model.
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II. Literature Review

This chapter reviews the existing literature associated with the ECG waveform,
the circuitry that captures it and specifically the electrodes that contact the skin.
The properties of traditional adhesive electrodes are described and compared
against the properties of conductive textile electrodes. The woven textile electrodes
currently under investigation are included in the literature review comparison. The
standard skin-electrode interface model is reviewed, as well as previous methods for
modeling the ECG system as a transfer function. A method of determining the
values of the components in the skin-electrode interface model. Finally, a summary
table is provided which compares the pros and cons of the two electrode types side-
by-side.

The Electrocardiograph

In 1895 Willem Einthoven invented the first practical electrocardiograph and
later received the Nobel prize for his work. The ECG device has seen many
iterations and optimizations but fundamentally the electrophysiological processes
that was used then is the same as what is used today. The human body biologically
generates electrical signals called biopotentials as a result of electrochemical
activity of excitable cells (John G. et al. 2010). The ECG describes the electrical
signals specifically across the heart muscle as they periodically vary over time (Y
Du 2017; John G. et al. 2010). This paper focuses mainly on the electrodes used to
capture the ECG waveform so a brief description of the underlying mechanisms
responsible for the ECG and the shape of the ECG waveform is presented here.

The ECG waveform is a graph of voltage versus time describing the electrical
depolarization and repolarization of specific chambers of the heart during the
cardiac cycle (Tereshchenko and Josephson 2015). The electrical impulses, also
known as action potentials, are initially generated by pace making nerve cells [14].
These impulses travel across the heart along the His-Purkinje nerve fibers causing
the adjacent muscle fibers to contract (John G. et al. 2010; Tereshchenko and
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Josephson 2015). The summation of all the electrical activity in the heart at any
given time can be approximately represented by an equivalent electric dipole at the
center of the heart [6]. This dipole moment is defined by a vector quantity
containing the overall magnitude and direction of the electrical charges within the
heart at a specific instant. As the heart beats the overall electric field changes
thereby causing a change in the magnitude and orientation of the equivalent dipole
vector. By simplifying the complex electrophysiology of the heart into a single dipole
vector, the status of the heart can be quantifiably characterized [6]. The electric
potentials at the heart then travel outwards through the conductive tissues and
salty extracellular fluids of the thoracic cavity, to the surface layers of the skin
where it then i1s transduced into electrical current by an electrode [14].

There are 5 main components to an ECG waveform annotated by the order they
appear chronologically with the letters “PQRST” (Hurst 1998). The P wave is the
leading peak which represents the depolarization of the atrial chamber of the heart
(Gangemi 1995). The Q R and S peaks form a single complex which contains the
most visually prominent peak, the R-peak. The QRS complex is a combination of the
Q trough, R-peak, and S trough. This wave corresponds to the depolarization of the
ventricles and the repolarization of the atria (Gangemi 1995). Lastly is the T wave
which represents the repolarization of the ventricles (Gangemi 1995). Of note, since
the repolarization of the atria occurs at the same time as the depolarization of the
ventricles in the QRS complex, the atrial repolarization is not clearly detected by
the ECG since the tissue mass of the ventricles is much larger than that of the atria
(Gangemi 1995). The ECG waveform and its associated peaks are labeled in Figure
2.
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Figure 2: Idealized ECG waveform of a heart in ideal sinus rhythm
in the time domain (Left) and frequency domain (right).

Some popular metrics from the ECG are the R-R Interval, the peak amplitudes
and shapes, the heart rate (HR), and various descriptions of Heart Rate Variability
(HRYV). The spacing between two adjacent R peaks is called the R-R Interval. The
average spacing over time is the subjects heart rate. Heart rate variability is a
measure of the fluctuations in successive R-R interval over time. In addition to the
metrics between adjacent waveforms there are metrics within an individual
waveform. For example: The P-R interval, Q-T interval and S-T interval measures
of the time between the corresponding peaks of a given waveform. Metrics such as
these, as well as the relative amplitudes of the individual peaks, can help a doctor
diagnose if the heart is healthy and performing as expected or if there are
symptoms of cardiac problem.

The ECG waveform typically measured at the skin has a voltage range of 0.5mV
to 5 mV, depending on human subject factors (John G. et al. 2010). The smaller
peaks similarly vary in width and amplitude but the R-peak is typically the largest.
The waveform’s frequency content ranges from 1Hz to 100Hz depending on the
subject and their activity level (Y Du 2017; Tereshchenko and Josephson 2015). The

cardiac cells have a resting electric potential of approximately -85mV [14]. These
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electrical parameters are detected by precise circuitry and precise placement of
electrodes. The circuitry used to capture the ECG waveform will be discussed next.

The ECG Circuitry

The fundamental ECG circuitry is designed to measure the voltage difference
between two electrodes at the surface of the body. Starting at the electrode and
working outwards from the body towards the computer display, the main functional
buildings blocks, shown in Figure 3, are: the sensing electrode, the amplifier’s
protection circuit, the lead selector, the amplifier stage (Amp), the filter stage, the
1solation circuit, and the analog to digital converter (ADC) (John G. et al. 2010).
After the signal is digitized, it can be post processed, saved in memory, and/or
displayed directly for analysis.

The specific ECG system used by Arquilla et al. for data collection was the
BIOPAC MP160 ECG hardware suite (“MP System Hardware Guide” 2015). This
includes the BIONOMADIX wireless ECG transmitter. The BIONOMADIX is a
portable device which connects to the electrodes and digitizes the signal before
wirelessly relaying it back to the BIOPAC for further processing and display. The
BIONOMADIX transmitter performs the general functions described below.

' Protection = Lead
Electrod | . =
SCLOCE Circuit Selector

Analog to Memory
Filter Digital &

Isolation

Cireuit Converter Computer

Figure 8: Functional Block Diagram of a typical ECG system (Y Du 2017; John G. et al. 2010).

The electrodes will be discussed in depth later, so the first block to be discussed

1s the amplifier’s protection circuit. The electrode can be thought of as the
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transducers that convert flowing ions to flowing electrons (Y Du 2017). The
protection circuit (PC) prevents damage to the rest of the circuit in case a high
voltages appear across the input electrodes (John G. et al. 2010). Traditionally this
1s intended to protect the ECG device in case of the application of defibrillation, but
for long term use, wearable devices would also need this function to protect against
electrostatic discharge and events similarly harmful to electronics.

The next block is the lead selector (LLS). Since voltage is a differential
measurement, pairs of electrodes are needed to make a measurement. Each
electrode pair forms a lead. This circuitry is responsible for determining which lead
(electrode pair) is measured at a given instance in time. The lead selector will then
connect those electrodes to the rest remainder of the circuit. In the next instance in
time, the lead selector will again connect a pair of electrodes to the next stage of the
ECG circuit.

The amplifier stage (Amp) is responsible for amplifying the ECG signal so that it
1s easier to capture and digitize. This stage has very high input impedance because
ideally there should be as little current draw as possible since current distorts the
electric field, and corrupts the signal (John G. et al. 2010). The specific voltage gain
of the BIONOMADIX circuitry is 2000, or approximately 66 dB [22]. The
differential input impedance of the BIONOMADIX amplifier is 2MQ [22]. This stage
also sets the signal to noise ratio (SNR) by amplifying both the signal and the
background noise present at the electrodes. SNR is defined as the ratio of the
power of a signal to the power of the noise (Arquilla, Webb, and Anderson 2020b).
When the signal is less powerful than the noise, the SNR will be negative (units in
decibel) indicating that the signal is not retrievable from the ambient noise. When
SNR is positive, the signal strength is stronger than the noise, and can be retrieved.
The specific SNR depends on how much noise is present.

The filter stage is perhaps the most important stage of the ECG circuitry

because it 1s used to remove signals present which are not from the heart. A high
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pass or DC filter (HPF) eliminates any DC offset developed between electrodes as
well as ultra-low frequency signals (Y Du 2017). While a low pass filter (LPF)
removes high frequency noise above the upper frequency components of the cardiac
cycle (>100Hz) (Tereshchenko and Josephson 2015). A notch filter, or band stop
filter (BSF), 1s used to block out specific signals known to be present such as the
60Hz interference from power lines. The last part of the filter stage is associated
with rejecting the common mode interference; noise that is present across multiple
electrodes. The specific filters in the BIONOMADIX circuitry are maximally flat
Butterworth filters: a single pole high pass filter with cutoff frequency of 1Hz, a
single pole low pass filter with cutoff frequency of 35Hz, and a notch filter centered
at 60Hz with a 2Hz bandwidth (“MP System Hardware Guide” 2015).

Since filtering noise 1s a critical function, a brief detour to discuss noise sources
1s also provided here. Electrical noises affecting the signal quality mainly include
intrinsic body noise, skin-electrode interface noise and environment noise. Intrinsic
body-noise is the detection of the contraction or tension of non-cardiac muscles such
as respiration, and is the dominant noise factor for long-term use (Y Du 2017). Skin-
electrode interface noise is the result of physical motion of the electrode on the skin
in the form of sliding, slipping or gaps between the skin and the electrode. This is
also the result of poor skin to electrode contact. The quality of the skin (i.e., sweaty
vs. dry) can also introduce interface noise in long-term measurements since it may
change over time. Long term measurements also require consistent placement of
the electrode on the skin, because a misplaced electrode would introduce another
source of measurement variation. Environmental noise is electrical noise from
external sources. It can consist of power line interference, impulse noise,
electrostatic potentials, stray capacitance, and nearby electronic devices (Heikenfeld
et al. 2018). Regardless of where the noise is coming from, the signal must be

separated from the noise, and this is why the ECG system relies on the filter stage.
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The isolation circuitry (IC) is designed to protect the patient in case the ECG
system malfunctions (John G. et al. 2010). It prevents harmful currents from
coming back into the body. Traditionally this is because medical equipment is
usually connected to high power lines, such as the 120V wall outlet. In the
BIONOMADIX this block is moved after the digitization step, and is realized by
means of radio isolation.

The analog to digital converter (ADC) is the device responsible for converting the
continuous analog signal of the heart to a discrete time signal (John G. et al. 2010).
The ADC does this by sampling the continuous signal at a frequency called the
Nyquist rate. The Nyquist sampling rate is at least two times the highest frequency
component of the waveform so that aliasing does not occur [2]. Once digitized the
ECG data is stored in memory where it can be retrieved for further post process
analysis and display. For the BIONOMADIX transmitter, the sampling rate was
2kHz.

These are the main building blocks for an ECG measurement circuit. The last
ECG building block to be discussed is the electrode itself.

The Electrode

Electrodes are the focus of this modeling effort, so greater detail will be spent
discussing the existing literature associated with their characteristics and
parameters. Specific attention will be given to the exact woven electrode types
which were used to collect the ECG data for this thesis. Generally, an electrode is
the component of the ECG device which makes contact with the skin. It measures
the voltage potential across two points on the body, by converting the flow of ions
underneath the skin to flowing electrons in the wires (John G. et al. 2010). The first
characteristic of ECG electrodes, regardless of type, is the location of the electrode’s
placement on the skin of the body. Electrode placement is critical to the
repeatability and voltage magnitude of the ECG signal (Arquilla et al. 2020). As
described in Medical Instrumentation: Application and Design by John G Webster:
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“If the electrodes are located on different equal-potential lines of the electric field of
the heart dipole, a non-zero voltage is measured. Different pairs of electrodes at
different locations yield different voltages. Thus it is important to have certain
standard positions for consistent evaluation of the ECG.” (John G. et al. 2010).
Repeated ECG electrode placement on the body is non-trivial since slight
variations in electrode placement can result in variation in the ECG waveform
which can correspondingly lead to misdiagnoses and reduced trust in the
monitoring system (Arquilla et al. 2020). There are several standards which have
been adopted by the medical community starting with a three-electrode
configuration and increasing electrode count to as many as twelve. According to a
study performed by the Society of Cardiological Science and Technology in 2017, a
repeated electrode placement tolerance of 19mm was deemed acceptable for making
electrocardiograph measurements (Gregory et al. 2019). The three-electrode method
used during data collection by Arquilla et al., 2020 is commonly called the three
lead Einthoven’s triangle (Y Du 2017). The three electrodes, forming three leads, is

the Einthoven triangle, graphically described in Figure 4.
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Figure 4: Einthoven's Triangle for 3 lead Electrocardiograph measurement

In order to understand the Einthoven triangle, some terminology is useful to
describe how the measurements are made. As described earlier, a pair of electrodes
placed on the body forms a lead. A lead vector is defined as the unit vector which

describes the orientation of the electrode pair placement (John G. et al. 2010). A
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cardiac vector 1s defined as the dipole moment representing the summation of all
electrical activity in the heart at a given instant in time. For some cardiac vector,
M, and some lead unit vector, a, the measured voltage Va, the equation for which 1s
shown in Eqn. 1, is simply the dot product between the two vectors, where 0 is the
angle between them:
V,=a M= |M| x cos(8)
(1)

For example, Voltage V1 is the voltage measured by lead 1 between the Right
Arm (RA) and Left Arm (LA) electrodes, V2 is the voltage by lead 2 between the RA
and Left Leg (LL) electrodes, and Vs is the voltage measured by lead 3 between the
LA and LL electrodes. Cardiologists use a standard notation describing the
direction of the lead vectors such that lead 1 1s 0 degrees, lead 2 is 60 degrees, and
lead 3 1s 120 degrees. This grants the ECG the ability to “view” the heart from
several angles. Techniques with more electrodes are adding more angular diversity.

The electrodes themselves are placed to minimize noise contributions and
maximize signals from the heart. The RA electrode is located under the right
clavicle, the LA electrode is under the left clavicle, and the LL electrode is placed on
the lower left abdomen within the rib cage frame between ribs. Admittedly there is
a large variation in placement between population because there is a large variance
in the anthropometry. Humans all vary significantly, for example in weight, BMI,
fatty tissues, or physical size, therefore for long-term monitoring it is more
1mportant to have a consistent method of placement for a given person with
repeated use than across people (subject to general placement constraints described
previously).

Wet Electrodes vs. Dry Electrodes

After electrode placement, the next characteristic of interest is the electrode
type. There are many different types but generally electrodes are divided into two

categories in the literature, “wet” and “dry” (Heikenfeld et al. 2018; Arquilla, Webb,
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and Anderson 2020a; Yoo and Hoi-Jun Yoo 2011). Wet electrodes are accompanied
by a gel or electrolyte solution which aids in measurement by reducing the electrical
contact impedance (Heikenfeld et al. 2018), while dry electrodes do not use an
additional electrolyte gel. The traditional adhesive electrode is considered “wet”
while the novel conductive textile electrodes proposed in this research are “dry”. The
Wet/Dry terminology is a bit of a misnomer despite colloquial usage, because dry
electrodes which are dry initially, quickly accumulate tiny amounts of skin moisture
and perspiration making them functionally able to be modeled like “wet” electrodes
(An and Stylios 2018). This is because the minute amount of moisture is
functionally the same as a very thin layer of electrolyte which, from a modeling
perspective, means the dry electrodes have the same functional model structure as
wet electrodes after a given settling time (An and Stylios 2018; Geddes and
Valentinuzzi 1973).

The most commonly used “wet” electrodes are silver/silver chloride (Ag/AgCl)
gel-based adhesive electrodes. These electrodes are rigid metal cylinders with an
adhesive sticker and an electrolyte gel section on one side and a protruding metal
attachment point on the other side (Arquilla, Webb, and Anderson 2021). The
adhesive sticker ensures constant skin contact while the gel electrolyte ensures a
low electrical impedance. They have many benefits such as being non polarizable,
generating low noise, and being tolerant to motion but they have limitations in long
term monitoring applications (An and Stylios 2018; Taji et al. 2014; Y Du 2017;
Arquilla, Webb, and Anderson 2020a). According to A Searle and L Kirkup the
limitations associated with wet electrodes are oriented around the gel electrolyte
(Searle and Kirkup 2000). The reliance on an electrolyte leads to reduced signal
quality as the gel dehydrates and the reapplication of gel may not be feasible
(Arquilla, Webb, and Anderson 2021; Searle and Kirkup 2000). The application and
removal of electrolyte gel is unpleasant for the subject and time consuming for the

clinician (Searle and Kirkup 2000). Furthermore with chronic use, both the
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adhesive and the electrolyte can cause skin irritation (Arquilla, Webb, and
Anderson 2021; John G. et al. 2010).

“Dry” electrodes come in a variety of types, and the type discussed here is the
dry textile electrode. Textile electrodes are swatches of fabric, either partially
containing or entirely consisting of electrically conductive yarn. They are not
inherently accompanied by adhesive or by electrolyte gel. Compared to traditional
Ag/AgCl electrodes, textile electrodes have the advantage of being soft, flexible and
breathable, allowing the wearer to feel more comfortable long term (An and Stylios
2018; Arquilla, Webb, and Anderson 2021). Furthermore, textile electrodes are
reusable, and potentially integratable into familiar everyday clothing. On a Likert
scale characterization of comfort Woven electrodes have been reported as
“scratchier” than adhesive electrodes, while also rating less “clingy”, “cold”, and
“sticky” (Arquilla, Webb, and Anderson 2021). Since textile electrodes do not use
adhesive to adhere to the body, they do not irritate the skin on removal and
reapplication. Additionally, since they do not use an added gel electrolyte, their
performance does not degrade over time. These benefits, though, are also their
primary challenge. Without adhesive they are susceptible to motion related noise
from poor skin contact, and without added gel electrolyte, they have higher
electrical skin impedances (Nikolova-Hadzhigenova 2019). To address problem of
skin contact Arquilla et al. utilized a placement garment described in (Arquilla et
al. 2020). This garment helps ensure repeatable placement of the textile electrodes
on the body and applied a constant pressure against the skin.

There are some similarities between wet and dry electrodes. Both require some
amount of stabilization time. This is likely due to human body factors, like skin
temperature as well as skin moisture (An and Stylios 2018). Fortunately in long
term monitoring applications, missing the first 5-10 minutes does not impose

significant problems to a longer dataset (Yoo and Hoi-Jun Yoo 2011). Both
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electrodes also utilize the same placement locations on the human body and are
capable of capturing the complete ECG waveform.

Manufacturing Parameters of Textile Electrodes

Next the manufacturing parameters of textile electrodes will be discussed in
more depth. Textile type is briefly mentioned because this paper focuses on woven
fabric but it is worth mentioning that there are popular alternative textile solutions
in the literature such as knit and embroidered electrodes. Within woven textile
electrodes the three manufacturing design parameters of interest are yarn type,
weave pattern, and surface area. It is also worth acknowledging that the
manufacture of textiles in general includes design parameters beyond these three,
but within the context of woven electrodes these parameters are the most relevant,

and thus the focus of this thesis.

Textile Type: Weave, knit