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Abstract

Assessment of the skeletal muscle contractile properties provides valuable information

for various medical applications. This thesis presents the development of a wearable

ultrasonic sensor (WUS) and a method to measure the skeletal muscle contractile parameters.

The proposed WUS was made of flexible polyvinylidene fluoride (PVDF) piezoelectric

polymer film. A double-layer PVDF configuration was proposed to improve ultrasonic

performance such as ultrasound signal strength. In order to study the double-layer PVDF

WUS performance for its design consideration, a formulation of a numerical simulation

model for the double-layer PVDF WUS was derived, based on Mason’s equivalent circuit

model of piezoelectric resonators. The double-layer PVDF configuration and the effects of

non-piezoelectric layers on ultrasonic performance, such as backing, bonding, and electrode

layers, were studied in detail using the simulation model developed to obtain a guideline for

the design and construction of double-layer PVDF WUS. The construction procedure of

the proposed design of the double-layer PVDF WUS was simple and relatively low-cost.

The experimental evaluation showed the improved ultrasound performance of the developed

double-layer PVDF WUS. The flexibility, lightweight, thinness, and small size of the

double-layer PVDF WUS enable a steady attachment to the skin surface without affecting

the underlying tissue motion in the area of interest. Such features could reduce the motion

artifacts in the ultrasound measurement of tissue thickness. The developed double-layer

PVDFWUSwas tested for in vivomeasurements of the skeletal muscle contractile parameters.

Comparative measurements of the electrically-evoked static contractions of a skeletal muscle
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were performed by the developed double-layer PVDF WUS and the laser displacement

sensor (LDS). The double-layer PVDF WUS demonstrated less variability in the extracted

contractile parameters than the LDS. In addition, it was verified that the double-layer PVDF

WUS was less susceptible to the motion artifacts induced by the body/limb motion than

the LDS. The contractile parameters were successfully extracted from the tissue thickness

changes measured by the double-layer PVDFWUS during voluntary and tetanic contractions.

Furthermore, the muscle tetanic progression level was quantitatively assessed using the

fusion index (FI) parameter obtained.
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Chapter 1

Introduction

This chapter is the introduction of the thesis topic and provides an overview of the

research work. The motivation, the challenges, and the objectives are presented, followed by

the contribution and the organization of the thesis.

1.1 Overview

The analysis of the skeletal muscle mechanical characteristics is of great interest for a

wide range of medical applications. The measurement of changes in the muscle contractile

properties during contractions provides valuable information. For instance, the assessment

of muscle contractile properties helps in investigating muscle fatigue [38, 39], diagnosing

neuromuscular diseases [40, 41], evaluating the progression of treatment and rehabilitation

[42–44], evaluating the efficiency and effectiveness of physical training [43], evaluating

injury risks [45, 46], and controlling prosthetic devices [47–50]. The skeletal muscle is

considered as a near-constant volume system; therefore, the changes in muscle length due

to contractions are paralleled by the changes in muscle thickness [46, 51]. Monitoring

the change in tissue thickness during muscle contraction would be a useful tool to assess

muscle contractile properties [46, 52]. From the measured tissue thickness, the contractile

1
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parameters such as maximum thickness changes (Zh), contraction time (Zc), sustain time

(Zs), half-relaxation time (Zr), contraction velocity (\c), and tetanic fusion index (FI)

can be extracted [32, 46]. Estimation of the contractile parameters provide a quantitative

assessment of the muscle function such as the workload intensity, the relation of the force

production in respect to the muscle contraction frequency, and the degree of force loss

by the muscle fatigue [32, 46, 52–54]. Thus, the quantitative evaluation of the skeletal

muscle function would be a useful tool in the diagnosis of neuromuscular diseases and

investigating their progression and etiology [38–42, 55, 56]. The utilization of skeletal

muscle contraction measurement helps assess the impact of the clinical interventions and

the evaluation of rehabilitation and training progress. For example, evaluating the muscle

contractile parameters of the lower extremity before and after an anterior cruciate ligament

(ACL) reconstruction surgery would provide a quantitative assessment of the improvement

of the ACL reconstruction [44]. The changes of muscle contractile parameters throughout

the course of the rehabilitation therapy would provide an evaluation of the effectiveness and

help to aid in the optimization of therapeutic exercises[43]. Also, the routine assessment

of athletes’ responses to a given training facilitates the improvement and development of

the training strategy [57]. Furthermore, the recognition of body movements is another

application of skeletal muscle monitoring, which could be utilized in prosthetic control [48],

movement assistance to vulnerable groups [49, 58], and assistive robotic device control [50].

Various measurement techniques have been explored and employed for the assessment

of muscle functions. The common non-invasive methods include surface electromyography

(SEMG), mechanomyography (MMG), and ultrasound imaging. SEMG signal represents

the sum of electrical activity generated by the muscular electrical activation [59] while

MMG measures the muscle mechanical response on the skin surface such as oscillation

and acceleration. SEMG has been used extensively as a standard clinical tool for assessing
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muscle function for decades, but does not provide the direct measurement of the mechanical

counterpart of the muscle function [60–62]. Among the MMG sensing methods, ten-

siomyography (TMG) and laser displacement sensors (LDS) have gained popularity as a

quantitative and consistent tool for the assessment of the muscle contractile properties in

recent years [31, 46]. However, they are non-wearable and susceptible to contamination by

motion artifact. Most studies of muscle contractile properties using the above mentioned

methods precluded dynamic contraction, such as flexion and extension of a limb, and they

are usually conducted within very restrict measurement configuration to minimize limb or

body movements [63, 64]. Therefore, their practical scope is limited.

Ultrasound provides real-time dynamic images of the internal tissue structure, including

skeletal muscles, non-invasively with high spatial and temporal resolutions [65]. The

ultrasonic method provides a direct measurement of the internal tissue thickness changes

during the muscle contraction [66, 67]. Although, the bulkiness and weight of the ultrasonic

B-mode imaging clinical probe might cause its undesired displacement on the skin surface

during the muscle contraction, especially when limb movement is involved. While a special

zig or holder could be used to minimize the undesired displacement, this approach introduces

inevitable compression to the local muscles and affect their contraction/relaxation behavior.

This thesis work proposes and develops a wearable ultrasonic sensor (WUS) and method

to measure the skeletal muscle contractile parameters. The motivation behind the research

presented in this thesis was driven by the ongoing need for reliable, long-term and continuous

monitoring of muscle contraction for the quantitative assessment of the muscle contractile

properties, especially during dynamic contractions. A flexible and lightweight WUS is

needed to make the attachment of the sensor to the skin surface more secure without

restricting the muscle contraction beneath the sensor in order to measure muscle contractile

parameters accurately. Thus, the proposed WUS is flexible, thin, and lightweight based on
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double-layer configuration of the polyvinylidene fluoride (PVDF) piezoelectric polymer.

The WUS takes advantage of the A-mode ultrasound measurement as a cost-effective and

relatively simple technique in contrast to B-mode. A-mode ultrasound measurement is

one-dimensional along the tissue depth and capable of measuring the tissue thickness with a

single piezoelectric element [68, 69]. Thus, the developed double-layer PVDF WUS could

provide a practical measurement tool that requires less strict posture conditions during the

skeletal muscle contraction measurement. The wearability of the developed ultrasonic sensor

could have advantages over the conventional methods (TMG and LDS) for the evaluation of

muscle performance and the influence of fatigue during physiotherapy and physical training.

Also, the recognition of body movement for prosthetics and movement assistance control.

In the previous work of this author [70], the development of a wearable ultrasonic sensor

(WUS) using a single-layer PVDF piezoelectric polymer was proposed for the monitoring of

muscle contraction. The ultrasonic performance improvement of the WUS would enable

further research in clinical applications.

This thesis research proposes for the first time, to the best of the author’s knowledge,

the development of the WUS using a double-layer PVDF for the measurement of skeletal

muscle contractile parameters. It first presents a comprehensive literature review that

discusses the limitations of the common measurement methods and the recent development

of wearable sensors for muscle contraction monitoring. Then, it discusses the details

of the proposed WUS design considerations and construction approach. A numerical

simulation model of the developed WUS is described and implemented to study its ultrasonic

performance and validate its design. Experimental measurements are conducted to evaluate

the WUS ultrasonic performance. Furthermore, in vivo measurements of the skeletal

muscle contractions are conducted to evaluate, demonstrate, and discuss the performance of

the developed double-layer PVDF WUS in the quantitative assessment of the contractile
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properties.

Detailed problem statements are given in Section 1.2, and the thesis objectives are

presented in Section 1.3.

1.2 Problem Statements

The PVDF piezoelectric polymer offers flexibility and the close matching of the PVDF

acoustic impedance to the biological soft tissues that provides a good coupling efficiency

without the need for intermediate matching layers. However, the PVDF has a relatively weak

transmitted ultrasound and requires high driving voltage to transmit sufficient ultrasonic

power for deeper tissue penetration. This causes a poor signal-to-noise ratio (SNR) of the

received ultrasonic pulse signals from tissue layers. One approach to improve the SNR of

the received ultrasonic signals is using the double-layer PVDF configuration to increase the

generated ultrasound intensity [71].

Designing a double-layer PVDF WUS demands several considerations, including the

selection of PVDF film thickness, double-layer PVDF arrangement, and sensor construction

elements of non-piezoelectric materials in order to improve the ultrasonic performance.

Thus, theoretical studies of the ultrasonic performance and the effects of backing, electrodes,

and bonding layers require a numerical simulation model to facilitate the double-layer PVDF

WUS design. Additionally, constructing a double-layer PVDF ultrasonic sensor imposes

the technical challenge of bonding the two PVDF layers [72]. The bonding layer of the two

PVDF layers has to be thin and uniform in order for the two PVDF layers to align parallel

and improve the ultrasonic performance. Another important consideration is the acoustic

loading of packaging layers, which may negatively impact the ultrasonic performance. The

packaging is required to bind the WUS structure and to provide protection. Therefore, a
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practical bonding technique to overcome the challenges of bonding the two PVDF layers and

addressing the acoustic loading of packaging layers in the WUS design are needed.

1.3 Objectives

The goal of this thesis work is to design, construct, and evaluate a double-layer PVDF

WUS for the quantitative assessment of the skeletal muscle contractile proprieties. The

following are the objectives to achieve the goal of this thesis.

1) Development of a numerical simulation model for the double-layer PVDF WUS

In order to design and construct a double-layer PVDF WUS, a study on the ultrasonic

performance of double-layer PVDF WUS would be required. A numerical simulation

model would provide the means to study the double-layer PVDF WUS ultrasonic

performance and the effects of non-piezoelectric layers, such as electrodes, bonding,

and packaging layers, on the ultrasonic performance. It would also enable the evaluation

of the sensor performance under varying conditions and beyond the experimental

limitations. Several studies have been published in the context of piezoelectric

sensor modeling. Still, they may not be directly applicable to simulate the proposed

configuration of a double-layer PVDF. Therefore, the research of this part would

detail the complete derivation and the formulation of a numerical model suitable

for simulating and characterizing the double-layer PVDF WUS based on Mason’s

equivalent circuit model [73] The Objectives 2 and 3 would be based upon this

numerical simulation model.

2) Numerical simulation study of ultrasonic performance anddesign considerations

of the double-layer PVDF WUS
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The study of the PVDF piezoelectric performance under several conditions is an

essential step toward designing the double-layer PVDFWUS. The ultrasonic properties

of double-layer PVDF WUS, such as operating frequency, bandwidth, acoustic output

power, and power conversion efficiency, depend not only on the piezoelectric properties

of the PVDF but also on the properties of non-piezoelectric layers. Therefore, the

research of this part would study the double-layer PVDF WUS performance and

the effects of the non-piezoelectric layers on the ultrasonic performance, using the

developed numerical simulation model to obtain some guidelines for the design

of double-layer PVDF WUS. Based on the numerical study results, the design

considerations of the physical structure and materials selection for the double-layer

PVDF WUS could be discussed.

3) Construction and evaluation of the double-layer PVDF WUS

Constructing a double-layer PVDFWUS requires special considerations to address the

challenges mentioned in Section 1.2 regarding the technique of bonding two PVDF

layers and the packaging approach to improve the sensor performance and to maintain

its flexibility and a thin profile. Therefore, the research of this part would discuss and

explain the construction procedure and techniques of the double-layer PVDF WUS.

It would also experimentally evaluate the operating ultrasound frequency, ultrasonic

signal strength, and noise interference of the constructed double-layer PVDF WUS.

4) In vivo experiments and evaluation of the double-layer PVDF WUS for the

measurement of muscle contractile parameters

In vivo experimental evaluation and demonstration of the double-layer PVDF WUS in

monitoring the tissue thickness changes due to muscle contractions and assessing the

contractile parameters are an integral part of this thesis work. Thus, the research of this
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part would evaluate and discuss the In vivo performance of the developed double-layer

PVDF WUS in the measurement of muscle contractile parameters during static and

dynamic contractions. The in vivo evaluation would include the comparative study

between the double-layer PVDF WUS and LDS, as one of the MMG measurement

methods, in the measurement of the muscle contractile parameters.

1.4 Contributions

Several academic contributions were achieved upon the accomplishment of the thesis

objectives. They are summarized and listed as follows:

1) A numerical simulation model was developed for the numerical characterization of the

double-layer PVDF configuration. A complete derivation and formulation of transfer

matrix expressions of the PVDF and non-piezoelectric layers for the proposed design

of the double-layer PVDF WUS based on Mason’s equivalent circuit model were

presented. The formulated matrix expression accounted for the voltage orientation

reversal of the parallel electrically connected double-layer PVDF and the internal

losses of the PVDF. Thus, the model enabled the calculation of ultrasonic performance,

such as the operating frequency, frequency bandwidth, acoustic power, and conversion

efficiency.

2) The design of a double-layer PVDF WUS was presented. The ultrasonic performance

of the double-layer PVDF configuration was studied in detail under several conditions

using the developed numerical simulation model. The numerical study included the

effects of the non-piezoelectric layers, such as backing, bonding, and electrode layers

for several materials and layer thicknesses. Afterward, the design considerations,
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approaches, and material selections of the double-layer PVDF WUS were discussed

based on the numerical simulation study results. The negative effect of the packaging

layers on the ultrasonic performance was addressed in the presented design by using

an acoustic insulator layer.

3) A novel double-layer PVDF WUS was constructed using two 52-µm-thick PVDF

layers with silver ink electrodes that were bonded by a thin epoxy layer. A construction

procedure that addressed the practical difficulties involving the PVDF layer bonding

and packaging the double-layer PVDF WUS structure was established using basic

equipment and ordinary hand tools. The constructed double-layer PVDFWUS showed

1.7 times greater ultrasonic signal amplitude in comparison to a single-layer PVDF

WUS of equivalent total PVDF layer thickness.

4) In vivo measurements of the skeletal muscle contractile parameters using the double-

layer PVDF WUS were conducted. The double-layer PVDF WUS measurement was

compared with the LDS measurement. It was verified that a proposed ultrasound

measurement method with the double-layer PVDF WUS was less affected by motion

artifact caused by the undesired body movement. Also, In vivo demonstrations of the

developed double-layer PVDFWUS and ultrasound method were presented for skeletal

muscle contraction monitoring. The quantitative assessment of tetanic contraction

progression was successfully demonstrated.

5) Several academic papers were published based on the outcomes of this thesis research.

Publications related to this thesis work:

Journal article:

• Ibrahim AlMohimeed and Yuu Ono. Ultrasound measurement of skeletal muscle
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contractile parameters using flexible and wearable single-element ultrasonic

sensor. Sensors, 20(13):3616, 2020. doi: 10.3390/s20133616. (Chapter 6).

Proceeding papers:

• Ibrahim AlMohimeed and Yuu Ono. Flexible and wearable ultrasonic sensor

for assessment of skeletal muscle contractile properties. In proceeding of

IEEE International Conference on Flexible and Printable Sensors and Systems

(FLEPS). IEEE, 2019. doi: 10.1109/fleps.2019.8792301. (Chapters 5 and 6)

• Ibrahim AlMohimeed, Manas Agarwal, and Yuu Ono. Wearable Ultrasonic

Sensor Using Double-Layer PVDF Films for Monitoring Tissue Motion. In

proceeding of IEEECanadian Conference on Electrical &Computer Engineering

(CCECE), pages 1–4, 2018. doi: 10.1109/ccece.2018.8447859. (Chapters 4, 5,

and 6)

Publications related but not included to this thesis:

• Elliot Yeung, Ibrahim AlMohimeed, and Yuu Ono. Ultrasonic sensor and method

for monitoring of skeletal muscle contraction evoked by electromyostimulation.

In proceeding of international symposium on advanced biomedical ultrasound,

pages 1–2, 2020

• Elliot Yeung, Ibrahim AlMohimeed, and Yuu Ono. Estimation of tissue thickness

changes due to electrical muscle stimulation using wearable ultrasonic sensor in

pulse echo mode. In proceeding of IEEE Sensors, pages 1–4. IEEE, 2019. doi:

10.1109/sensors43011.2019.8956742.
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1.5 Thesis Structure

This thesis is organized into seven chapters, briefly described as follows:

Chapter 1: Introduction

This chapter is the introduction of the thesis topic. It presents an overview of

the research and statements regarding the thesis research problems, objectives, and

contributions, followed by the structure of the thesis.

Chapter 2: Literature Review of Muscle Monitoring

This chapter provides the literature reviews of the medical applications, common

measurement methods, challenges and limitations, and recent development of wearable

sensors that are related to skeletal muscle monitoring.

Chapter 3: Numerical Simulation Model for the Double-Layer PVDF WUS

This chapter presents the derivation and the formulation of the numerical simulation

model of the double-layer PVDF WUS based on Mason’s equivalent circuit model.

The literature reviews of the mathematical models and formulation methods for the

piezoelectric ultrasonic sensors are also presented.

Chapter 4: Numerical Study and Design Considerations of the Double-Layer PVDF

WUS

This chapter studies and discusses the developed double-layer PVDF WUS design

based on the numerical simulation model developed in Chapter 3:. It first studies

the ultrasonic performance of the double-layer PVDF WUS and the effects of the

non-piezoelectric layers on ultrasonic performance using the numerical simulation
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model. Then, it discusses the design considerations and challenges based on the results

of the numerical study.

Chapter 5: Construction and Experimental Performance Evaluation of the Double-

Layer PVDF WUS

This chapter presents the construction procedure and techniques of the double-layer

PVDF WUS, followed by the experimental performance evaluation of the double-layer

PVDF WUS constructed.

Chapter 6: In Vivo Experimental Evaluation of the Double-Layer PVDF WUS for

the Measurement of Skeletal Muscle Contractile Parameters

This chapter presents the evaluation and demonstration of the developed double-

layer PVDF WUS in in-vivo experiments for monitoring of muscle contraction.

It investigates the WUS and the ultrasonic measurement method performance in

monitoring the skeletal muscle contractions and the quantitative assessment of the

contractile properties.

Chapter 7: Conclusions and Future Research

This chapter summarizes and reviews the thesis research and provides suggestions for

future research.



Chapter 2

Literature Review of Muscle Monitoring

This chapter provides a comprehensive review of medical applications and common

non-invasive methods related to the monitoring of muscle contraction. The literature review

is an integral part of the development of the wearable ultrasonic sensor and the ultrasound

method introduced in this thesis work. In this review, the clinical importance of the skeletal

muscle function assessment is highlighted. The challenges and limitations of the current

measurement methods as well as recent developments in wearable sensors relevant to the

monitoring of muscle contraction are discussed in detail.

This chapter is organized as follows: Section 2.1 describes the importance of muscle

function assessment formedical applications; Section 2.2 discusses the common non-invasive

measurement methods of muscle mechanical function and their limitations; Section 2.3

presents the development status of wearable and flexible ultrasonic transducers; Section 2.4

surveys the recent development of other wearable sensors for muscle monitoring.

13
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2.1 Skeletal Muscle Function Assessment

2.1.1 Human Muscle Physiology

Muscle is a specialized tissue which converts chemical energy into mechanical energy

when it is stimulated. The main properties of muscle tissue are excitability, contractility,

extensibility, and elasticity. Muscles respond to stimulation either by shortening or stretching

and recoil back to the original length after the stimulation [79]. Muscle tissues, in general,

are composed of a firmly organized internal structure of long, cylindrical cells known as

muscle fibers that are bundled together and wrapped in a connective tissue covering called

the epimysium, as shown in Figure 2.1.

Within each muscle fiber are myofibrils which are long-cylindrical structures lying

parallel to the muscle fiber. Myofibril is divided into segments of the functional unit of

muscle, the contractile element, known as a sarcomere. The sarcomeres are composed of

thin and thick filaments. The thin filaments are attached at one end of the sarcomere (Z-line)

toward the center where the thick filaments extend along the center of the sarcomere (M-line)

and overlap with the thin filaments, as shown in Figure 2.2 [79–81]. Muscle contraction

occurs as a result of the sliding of filaments. When the muscle is stimulated, the distance

between the Z-line is shortened due to the sliding of the thin and thick filaments toward each

other, as shown in Figure 2.3.

There are three types of muscular tissue: skeletal, cardiac, and smooth muscles. This

thesis work focuses on the measurement of soft tissue thickness due to skeletal muscle

contractions. The skeletal muscles of the human enable the body movement and the force to

maintain posture. Skeletal muscles are controlled mainly voluntarily and account for nearly

40% of human body weight [82, 83]. A skeletal muscle is stimulated by an action potential,
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Figure 2.1: Internal structural layers of muscle tissue. Adapted from OpenStax, Wikimedia
(CC BY 4.0 license)

a biological electrical pulse, delivered by the motor neuron at the neuromuscular junctions.

Then, the stimulation spreads across the muscle fiber membrane (sarcolemma), which leads

to the sliding of filaments. This series of events from nerve impulse to the contraction is

known as an excitation-contraction coupling [84]. A single motor unit is connected to a

group of muscle fibers. The number of muscle fibers connected to a motor unit varies from

several muscle fibers to thousands of muscle fibers [80]. For example, in the muscles of a

hand where fine control is needed, a motor unit is connected to a few fibers. While a stronger

force is needed in the muscles of a leg, a motor unit is connected to a larger number of fibers

[85]. The intensity of muscle contraction is controlled for the required force by adjusting

the number of activated motor units. The process of additional activation of motor units
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Figure 2.2: A muscle fiber composed of myofibril bundles. Each myofibril is divided into
segments of sarcomere. Adapted from OpenStax, Wikimedia (CC BY 4.0 license).

Figure 2.3: The sliding of sarcomere filaments. Contraction occurs as a result of the overlap
of thin and thick filaments. Adapted from OpenStax, Wikimedia (CC BY 4.0 license).
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Figure 2.4: Typical twitch response of a skeletal muscle.

to accomplish the increase in contraction intensity is referred to as motor unit recruitment.

A long period of muscle contraction is usually achieved by alternating the recruitment of

motor units.

A muscle fiber responds to a single action potential of the motor unit by contraction and

relaxation. A single stimulation response is known as a twitch, which begins with a latent

period followed by a contraction period and then a relaxation period. The latent period is

a brief delay before the beginning of the contraction, which is the time of action potential

propagation along the muscle fiber length. The muscle fiber starts shortening during the

contraction period and returns to its original length at the end of the relaxation period.

Figure 2.4 shows the typical twitch response of a skeletal muscle.

When the muscle fiber receives a second stimulus during the relaxation period before

reaching the full relaxation state, the new contraction builds at a higher level of tension and

consequently achieves higher contractile tension. The stimulation rate at which the fiber
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has partial relaxation between stimuli results in a sustained but wavering contraction called

unfused (incomplete) tetanus. The partial relaxation will get shorter as the stimulation rate

increases up to a point where the fiber does not relax and results in constant contraction

called a fused (complete) tetanus [81]. When a muscle sustains a prolonged contraction

period, its contraction intensity starts to decline which results in a temporary state of fatigue.

The muscle fibers are generally divided into two types: slow-twitch (type I) and fast-twitch

(type II) [79]. On average, fast-twitch fibers have five to six times faster contraction time

than slow twitch. However, muscle twitch time varies among muscle types and locations.

Skeletal muscles perform different types of contraction to maintain posture or to create

movement. The contraction can be sorted into two groups based on whether or not a

movement occurs during a contraction. These two groups are isometric and isotonic

contractions [81]. In an isometric (static) contraction, the muscle contracts to resist an

applied force without movement. Holding a weight in a stationary position is an example of

isometric contraction. Isotonic contraction is a dynamic contraction in which the muscle

produces a movement. The movement resulting from the shortening of the muscle fiber is a

concentric contraction, whereas the movement resulting from the stretching of the muscle

fiber is an eccentric contraction. An example of a concentric contraction is lifting a weight

from the ground, whereas lowering the weight to the ground is considered an eccentric

contraction.

2.1.2 Medical Applications

Analysis of the mechanical characteristics of skeletal muscle is of great interest to a broad

spectrum of medical applications. The measurement of changes in the physical parameters

during muscle contractions provides valuable information. The skeletal muscle is considered
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as a near-constant volume system; therefore, muscle length changes due to contractions are

paralleled by the changes in muscle thickness [46, 51]. The skin surface fluctuations during

muscle contractions are related to the dimensional changes of the active muscle fibers and

possess physiological information about the muscle contractile properties [32, 86]. Thus,

monitoring the change in muscle thickness during contractions would provide a wealth of

information about the muscle function [46, 52]. The workload intensity and the stiffness

of the muscle can be estimated by measuring the mechanical parameters of the muscle

contraction [53]. The motor unit recruitment and firing rate have shown distinct patterns of

activation at different work intensity levels of isometric, concentric, and eccentric contraction

types [87]. The sound recording of the muscle contraction was found to resemble the output

force of the contractions over the measured time [88]. The relationship between the force

production of a skeletal muscle and its contraction frequency could be utilized to assess

the muscle functions. For example, the observation of a thenar muscle force-frequency

relationship (FFR) showed that 50% of maximum force occurs at low excitation rates of

12 Hz, and the maximum tetanic force was achieved between 30 and 100 Hz [54]. Also,

the changes of FFR have been related to the degree of force loss indicated by fatigue [32].

The measurement of muscular activity by mechanomyography (MMG) and the metabolic

activity through the oxygen consumption rate (VO2) during the incremental cycle ergometry

demonstrated a close association between MMG and VO2 [89].

The quantitative evaluation of the skeletal muscle function has gradually evolved as a

useful tool in clinical diagnosis. For example, the characteristic differences in contraction

between Parkinson’s patients and a control group were indicated. The electromechanical

delay of contraction (EMDc), electromechanical delay of relaxation (EMDr), and contraction

time to half tetanus (CTT1/2) were measured from the stimulated tetanic contraction at

20 Hz [41]. A substantial difference of CTTI/2 between the Parkinson’s patients and the
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control group was observed, which may describe the change in characteristics of muscle

contraction in patients with Parkinson’s disease. The muscle contraction measurement could

indicate the muscle fatigue stages during electrically evoked exercises in individuals who

lack voluntary muscle recruitment. The study of individuals with spinal cord injury (SCI)

during electrically evoked exercises by Mohamad et al. [55] demonstrated the detection of

different muscle contraction levels and fatiguing contraction by measuring the mechanical

changes using tensiomyography (TMG). Ng et al. [39] also showed the ability of TMG to

detect fatigue during electrically evoked contraction of an SCI patient. The assessment of

muscle contraction helps to investigate the etiology of neuromuscular diseases. For instance,

the deterioration in contractile properties of the measured bicep contractions in patients

with spastic cerebral palsy (CP) suggested that the motor disabilities are not only due to

neural impairment but also due to muscle fiber atrophy [40]. In addition, the analysis of

erector spinae muscle measurements during isometric lower-back extension using surface

electromyography (SEMG), microphone, and near-infrared spectroscopy indicated that the

restriction of blood flow due to high intramuscular pressure is one of the most important

underlying factors of lower-back muscle fatigue [38]. Furthermore, monitoring muscle

contraction is valuable in detecting and evaluating the progression of some diseases such as

cancer cachexia and chronic obstructive pulmonary disease (COPD) [42, 56].

The impact assessment of the clinical interventions and the evaluation of rehabilitation

and training progress would benefit greatly from the utilization of skeletal muscle contraction

measurement. For example, measuring the muscle contractile parameters of the lower

extremity before and after an anterior cruciate ligament (ACL) reconstruction surgery

would provide a quantitative assessment of the improvement of the ACL reconstruction

in comparison with the uninjured leg [44]. Monitoring the changes of muscle contractile

parameters throughout the course of the rehabilitation therapy would provide objective
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feedback to aid in the optimization of therapeutic exercises and evaluate their effectiveness

[43]. The advantage of skeletal muscle monitoring has garnered the interest of many sports

medicine practitioners and conditioning coaches [46]. The routine assessment of athletes’

responses to a given training facilitates the improvement and development of the training

strategy [57]. For instance, the study of the effect of training between soccer player groups

that endure two types of training courses by Rusu et al. [90] showed a substantial difference

in the measured parameters, such as contraction time and muscle displacement, between the

groups. The quantitative assessment of skeletal muscles could also be employed to assess

the risk of injury to athletes and aid in the design of adequate prevention programs [45, 46].

For example, the measured parameters of the evoked hamstring and quadriceps muscles

contraction on the injured leg side of soccer players with confirmed ACL tear, demonstrated

substantially soccer players [45]. The measured parameters include, maximal displacement,

delay time, contraction time, sustained time, and half-relaxation time.

Furthermore, the recognition of body movements is another application of skeletal

muscle monitoring, which could be utilized in prosthetic control [48], movement assistance

to vulnerable groups [49, 58], and assistive robotic device control [50]. For instance, the

study by Ding et al. [47] demonstrated the recognition of finger gestures using the MMG

measurement for prosthesis control applications.

The medical applications of muscle function assessment might be limited by the current

sensing method. There is still a need for a reliable and wearable measurement method that

would provide continuous monitoring with more tolerance to motion artifacts due to the limb

and/or body motion. Utilizing a wearable ultrasonic method to measure muscle contractile

properties could offer advantages for medical applications.
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2.2 Common Measurement Methods and Limitations

Avariety of medical sensingmethods have been employed to provide a diverse assessment

of muscle functions. Generally, measurement methods can be categorized into invasive and

non-invasive techniques. Invasive techniques usually require internal access to the human

body via an incision, puncture needle, or surgery. In contrast, non-invasive techniques

are employed by attaching sensors to the skin surface. The focus of this review is on the

exploration of common, non-invasive and portable measurement methods for the assessment

of muscle function. The common approaches include SEMG,MMG, and ultrasound imaging.

2.2.1 Surface Electrocardiography (SEMG)

SEMG is a conventionalmodality tomonitormuscle activity and has been used extensively

for muscle assessment for decades [62]. The signal of SEMG represents the sum of the

electrical activities generated by the muscles located near the biopotential electrodes attached

to the skin surface. The increase of contraction force is a result of the increase of themotor unit

recruitment and the firing frequency of activated motor units. However, the quantification of

muscle mechanical activities from SEMG signals is challenging. The relationship complexity

of biological electrical signal and mechanical activity of the muscles impose a limitation of

the analysis of the muscle mechanical function and the variability in interpretation among

researchers [61, 91, 92]. Additionally, the electrode displacement, electrical interference

(cross-talk) between adjacent muscles, contact resistance, skin humidity, and surrounding

electrical interference contribute to the difficulty in obtaining a reliable relation between

the electrical activity and the mechanical performance of the muscle, especially in dynamic

contractions [91, 93]. Thus, SEMG measures the muscle electrical activity, but might not
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directly measure the muscle mechanical activity [61].

2.2.2 Mechanomyography (MMG)

Contrary to SEMG, MMG is the measurement of the muscle mechanical activity on the

skin surface that results from the voluntary or electrically evoked contractions [61, 94, 95].

The mechanical signal measured by MMG sensors reflects the mechanical counterpart of

the electrical activity of the motor units. There are several types of sensors employed

in the MMG measurement method such as: piezoelectric sensor, condenser microphone,

accelerometer, and laser displacement sensor (LDS) [32, 46, 95, 96].

Piezoelectric contact sensors are mechanically coupled to the skin surface near the muscle

of interest, usually using an elastic band or external support to measure skin displacement

[97]. Condenser microphones are usually placed on one end of a cylinder with an air

chamber where the other end of the cylinder is attached to the skin surface. The air

chamber converts the muscle vibration to a pressure change, which is then detected by the

condenser microphone [98]. The signals of the piezoelectric contact sensor and the condenser

microphone are sensitive to the contact pressure of the attachment, which contributes to

a variation of the amplitude response [32]. Also, the pressure exerted by the attachment

method and the mass loading of the size of the sensor might affect the skin surface dynamic

during the muscle contraction. Thus, the influence of the contact pressure on the temporal

and spectral response of the measurement is a major drawback.

Accelerometers detect the local motion on the skin surface due to the muscle contraction

by measuring the acceleration in one or more axes of the motion directions [99]. One

advantage of the accelerometer is that output signal could easily be converted to a physical

unit (m/s2) to allow a direct comparison between the results of different experiments [100].
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The low mass of accelerometers (less than 2 g) is another advantage that facilitates the simple

attachment to the skin surface without interfering with muscle surface dynamic. However,

the accelerometer signal is highly influenced by motion artifacts, especially during dynamic

contractions [63, 98, 101].

LDSs are non-contact sensors that detect the distance between the laser-beam head and

the skin surface above the muscle [32]. The laser beam measures the position changes as the

skin surface moves towards or away from the laser head. This high-speed laser technology

provides a high-resolution measurement (a fraction of a millimeter) of muscle thickness

changes during isometric contraction [31, 102–104]. As an alternative MMG method,

TMG was developed to measure muscle displacement during an electrically evoked muscle

contraction [52]. The TMG method employs a high-precision displacement sensor. The

displacement sensor tip is pressed onto the skin surface with a controlled pre-tension while

the sensor body is attached to a fixed support [105]. TMG measures the displacement of the

skin surface due to an electrically evoked muscle twitch. LDS and TMG directly measure

the skin surface displacement due to muscle contraction. This advantageous feature provides

further physiological information by extraction of the muscle contractile parameters from

the TMG and LDS waveforms with no extensive postprocessing or filtering [31, 104–107].

In recent years, LDS and TMG methods have been favored for the assessment of the

muscle contractile properties among other MMG methods [31, 46, 106–112]. However,

they examine the electrically evoked contractions exclusively through static contraction

[113]. During the measurement of muscle contraction using LDS or TMG, the subject is

required to remain still on the examination table to minimize any limb or body movements

in order to reduce the motion artifact in the measurement [31, 63, 100, 114]. The restriction

of body movement limits the practicality of frequent monitoring with a more convenient

measurement setup for a subject where the muscle functions in daily activities and sports
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involve dynamic contraction.

In general, motion artifact is the main challenge regarding MMG measurement methods,

especially during dynamicmeasurement, which limits their utility [61, 63, 115]. The dynamic

contraction of the muscles as well as limb movements impose undesired displacement of the

employed MMG sensor on the skin surface [116]. Other considerations are the degree of

wearability and the uncertainty regarding the reliability of MMG methods [31]. In addition,

the skinfold thickness might attenuate MMG spectral and temporal characteristics, especially

in deeper muscles [117].

2.2.3 Ultrasound Imaging

Ultrasound could provide real-time dynamic images of the internal tissue structure,

including skeletal muscles, non-invasively with high spatial and temporal resolutions [65].

The ultrasonic imaging method would allow a measurement of the internal tissue thickness

for both superficial and deep-layered muscles without crosstalk from those adjacent [66, 67].

Ultrasound imaging has been used widely in the assessment of skeletal muscle function

as well as tracking the muscle thickness changes during static and dynamic contractions

[66, 118–132]. Many studies have demonstrated the use of ultrasound images to detect the

changes of muscle thickness [133–135], pennation angle [136, 137], cross-sectional area

[138], and muscle fascicle length [139].

B-mode ultrasound images are captured by a B-mode clinical ultrasound imaging system

with a handheld ultrasound probe, as shown in Figure 2.5. The basic ultrasound probe is

composed of a piezoelectric ceramic array, electrodes, backing layer, and matching layer, as

shown in Figure 2.6. Piezoelectric ceramics are the active elements that transmit and receive

ultrasound. They are used in nearly all medical ultrasound probes [140]. Electrodes are
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Figure 2.5: A conventional hand-held ultrasound probe. Reproduced from from Drickey at
English Wikipedia (CC BY-SA 2.5)

an electrically conductive material formed on the top and bottom surfaces of piezoelectric

elements such as gold, silver, and copper, which are connected to cable leads. In order

to dampen the internal reverberations (ringing) within the piezoelectric elements, a layer

of high absorption coefficient is attached to the back side. Piezoelectric ceramics have a

much higher acoustic impedance compared to soft tissues. Therefore, an acoustic impedance

matching layer is bonded to the piezoelectric elements at the front side to increase the

transmission of the ultrasound into the soft tissue.

The bulky size of the ultrasound probe causes an undesired displacement over the

skin surface during the muscle contraction, especially where limb movement is involved

[29, 120, 124, 127, 141]. Such an undesired probe displacement could cause an inaccurate

estimation of the underlying tissue thickness. A special zig or holder could be used for the

steady attachment of the ultrasonic probe and minimize the undesired displacement on the

skin surface in order to monitor the muscle contraction accurately. However, the pressure

exerted on the skin surface by the weight of the ultrasonic probe and/or the attachment

method might restrict the natural motion and muscle contraction of underlying tissue [133].

Thus, the continuous monitoring of the muscle contraction may be limited by conventional

ultrasonic imaging probes. In addition, the creation of the two-dimensional ultrasound
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Figure 2.6: A basic structure of an ultrasound probe.

images require high computational power and sophisticated processing techniques.

2.3 Wearable Ultrasonic Transducers

A-mode ultrasound measurement has been proposed as a more wearable and cost-

effective alternative for measuring muscle activities [1]. In contrast to B-mode ultrasound,

A-mode ultrasound is one-dimensional along with the tissue depth that is capable of directly

measuring tissue thickness changes due to muscle contraction with a single piezoelectric

element [68, 69]. Thus, A-mode ultrasonic transducer (UT) can be made smaller, which

might address the limitations of the bulky multiple-element B-mode ultrasonic probe. A

smaller single-element UT could make the UT attachment more accessible and stable on the

desired location on the skin surface.

The work of Guo et al. [1, 142] may be one of the earliest studies using a single-element
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UT for tracking the thickness changes during the skeletal muscle contraction, as shown in

Figure 2.7 (a). They demonstrated the tracking of the extensor carpi radialis muscle that

controls the movement of the wrist. The ultrasonic measurement in their result showed a

higher accuracy of tracking the wrist extension in comparison to the SEMG measurement.

The study by Sun et al. [2] showed that the single-element UT, developed by Hettiarachchi

et al. [143], could effectively assess muscle fatigue from the measured muscle thickness

changes, as shown in Figure 2.7 (b). Yang et al. in [3, 4, 130] presented the estimation

of muscle force and the prediction of finger motion using an A-mode ultrasound of four

single-element UTs, as shown in Figure 2.7 (c) and (d). Also, Zhou et al. [5] demonstrated an

A-mode ultrasound sensing approach in the prediction of finger movement with voluntary and

electrically evoked muscle contractions using a single-element UT, as shown in Figure 2.7

(e). Furthermore, Shahshahani et al. [6, 144] introduced a respiratory detection system

based on tracking the diaphragm wall motion using a single-element UT mounted on flexible

printed circuit board (PCB), as shown in Figure 2.7 (f).

The single-element UTs employed in the above-mentioned studies [1, 2, 4, 6, 130, 142,

144] were made of piezoelectric ceramic, which is a rigid and inflexible material. The

piezoelectric ceramics such as lead zirconate titanate (PZT) are commonly used as a UT

material due to their superior electromechanical performance. Therefore, the issue of

displacement of the single-element UTs on the skin may still persist. Guo et al. [1, 142]

indicated in their work that the ultrasonic tracking errors increased when the dynamic

movement of the wrist joint extension increased from 20 to 50 cycle/min. Also, Shahshahani

et al. [6] noted that the placement of a single-element UT posed challenges when tracking

the diaphragm wall motion for respiratory activity monitoring. The single-element UT

could be firmly attached to the skin surface using a body-worn band in order to minimize

the undesired UT displacement during the muscle contraction. However, this approach
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Figure 2.7: Photos of single-element UTs for muscle activity monitoring. A photo of the
single-element UT for A-mode measurement of tissue thickness changes during the
skeletal muscle contraction by [1] (a), photos of the single-element UT attachment
using armband for muscle fatigue assessment by [2] (b), a photo of the four single-
element UTs attachment using armband for muscle force estimation by [3] (c), a photo
of the four single-element UTs for finger motion prediction by [4] (d), a photo of
the single-element UT attachment for finger motion prediction with voluntary and
electrically evoked muscle contraction by [5] (e), and photos of the single-element UT
mounted on flexible printed circuit board (PCB) for tracking diaphragm wall motion
by [6] (f).
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introduces inevitable compression to the local muscles and affect their contraction/relaxation

behavior, leading to inaccurate of the muscle contractile parameters.

Compared to the rigid UTs, a flexible, thin, and lightweight UT may have the advantage

of steady UT attachment to the skin surface since it could be conformably attached to

the curved skin surface. The MEMS technology has recently emerged for fabricating a

relatively flexible miniaturized UT array for medical imaging. Yang et al. [7] and Wang

et al. [8] introduced fabricated piezoelectric micromachined ultrasound transducer (PMUT)

arrays by mounting diced PZT piezoceramic into patterned cavities on a flexible polyimide

film, as shown in Figure 2.8. Similarly, Mastronardi et al. [9] and Sun et al. [10] used

aluminum nitride (AlN) as a piezoelectric material instead of PZT, to be embedded onto

a flexible polyimide substrate, enabling more flexible and thinner PMUT, as shown in

Figure 2.9. Singh et al. [11], Sadeghpour et al. [12], Hu et al. [13], and Wang et al. [17]

exploited the island-bridge technique by mounting small pieces of PZT elements into a

microfabricated array of rigid islands that were connected with flexible polyimide joints, as

shown in Figure 2.10. Also, Cheng et al. [14] and Chong et al. [15] fabricated flexible UT

arrays based on capacitive micromachined ultrasound transducer (CMUT) using a concave

bottom electrode, as shown in Figure 2.11. Fabrication of CMUT using polymeric materials

was also described by Gerardo et al. [145] as a potential cost-effective flexible CMUT.

Furthermore, Lanata et al. [16] introduced a flexible UT based on polyvinylidene fluoride

(PVDF) piezoelectric polymer integrated into a textile belt that could be wrapped around

the body. Table 2.1 summarizes the wearable ultrasonic transducers and their medical

applications described in the above-motioned studies in tabulated form.

A few studies examined the flexible UT for the measurement of internal tissue motion in

human subjects. Lanata et al. [16] presented the heart wall motion monitoring using the

flexible UT based PVDF polymer piezoelectric material. The PVDF UT was integrated into



Chapter 2. Literature Review of Muscle Monitoring 31

Figure 2.8: Flexible PMUT arrays by mounting diced PZT piezoceramic into patterned
cavities on a flexible polyimide film. The photos of the PMUT array fabricated by [7]
(a) and a schematic drawing and a photo of the PMUT array fabricated by [8] (b).

a belt and wrapped around the chest, as shown in Figure 2.12 (a). Their results showed

the potential for the continuous monitoring of cardiopulmonary activity. Wang et al. [17]

also demonstrated the monitoring of blood pressure by measuring the arterial wall motion

using a thin, stretchable PMUT, as shown in Figure 2.12 (b). Their stretchable UT offers

the capability of measuring human tissue up to a depth of 40 mm and was demonstrated in

the estimation of the blood pressure at the carotid, brachial, radial, and pedal arteries using

the ultrasonic wall-tracking technique. However, to the best of the author’s knowledge, there

is still no research focusing on the application of flexible and wearable single-element UT

using the A-mode ultrasound measurement for measuring the muscle contractile parameters,

especially when combined with limb or body movements. In the previous work of the author

[70], a preliminary development of a wearable ultrasonic sensor (WUS) using a single-layer

PVDF piezoelectric polymer was proposed for the monitoring of muscle contraction. The
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Figure 2.9: Flexible PMUT arrays by embedding aluminum nitride (AlN) piezoelectric onto
a flexible polyimide substrate. A photo of the AlN flexible PMUT array fabricated by
[9] (a), and a photo and a schematic drawing of the flexible PMUT array fabricated by
[10] (b).

feasibility of the proposed WUS was demonstrated in monitoring muscle contraction up

to the depth of 34 mm [70, 146, 147]. The weak ultrasonic signal strength and the dual

operating frequencies of the previously developed WUS are the main issues that require

further research.

The PVDF piezoelectric polymer offers advantageous features such as flexibility, thinness,

and lightweight. The close matching of the PVDF acoustic impedance to the biological soft

tissues provides a good coupling efficiency without the need for intermediate matching layers,

which is usually required for the piezoelectric ceramic sensors. The PVDF is a flexible

material that would allow the bending over the uneven and rounded nature of the human body

surface. The availability of PVDF in large-area film sheets allows the ease of fabricating
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Figure 2.10: Flexible PMUT arrays using island-bridge technique. Photos of the flexible
PMUT arrays by [11] (a), photos of the flexible PMUT arrays fabricated by [12] (b),
and photos of the stretchable PMUT arrays fabricated by [13].

the ultrasonic sensor into any desired dimensions. These features make constructing a

flexible, thin, lightweight, and small in size ultrasonic sensor feasible. These features of

PVDF attracted the interest for several medical applications such as high-frequency medical

imaging [148], photoacoustic imaging [149], and transcranial therapy monitoring [150].

However, the PVDF has less acoustic output than the piezoceramic piezoelectric due to the

weak piezoelectric properties, large dielectric and elastic losses, and a low dielectric constant.

Thus, designing a PVDF ultrasonic sensor requires careful considerations regarding film

thickness and active area, electroding selection, backingmaterial, construction procedure, and
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Figure 2.11: A flexible CMUT array using a concave bottom electrode. Schematic drawings
of the flexible CMUT fabricated by [14] (a), and a photo of the flexible PMUT arrays
fabricated by [15] (b).

packaging requirements to improve the ultrasound performance for the desired application

and required ultrasound penetration depth [72, 151, 152].
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Figure 2.12: In-vivo demonstration of the flexible UT in the measurement of tissue thickness
changes on human subjects. A photo of the PVDF UT integrated into a belt and
wrapped around the chest for the heart wall motion monitoring by [16] (a), and
schematic drawings of the stretchable PMUT attachment on the skin surface above the
carotid and radial arteries for the estimation of the blood pressure by [17] (b).
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Table 2.1: An overview of wearable ultrasonic transducers (UT) and their medical applica-
tions.

Study UT type
Attachment

method
Application

Guo et al. [1]

A Single-element piezoceramic

UT inserted into silicone gel

holder

Double-sided

adhesive tape

Measurement of tissue thickness

changes during skeletal muscle

contraction

Sun et al. [2]
A single-element piezoceramic

UT
Arm-band

Tissue thickness changes of

skeletal muscle contraction

during fatigue process

Yang et al.

[3, 4, 130]

Four single-element

piezoceramic UTs
Arm-band

Tissue thickness changes of

skeletal muscle contraction for

estimation of muscle force and

the prediction of finger motion

Zhou et al. [5]

A single-element piezoceramic

UT inserted into

custom-designed holder

Double-sided

adhesive tape

Tissue thickness changes of

skeletal muscle contraction for

prediction of finger movement

Shahshahani

et al. [6]

A single-element PZT UT

mounted on a flexible printed

circuit board

Double-sided

adhesive pad

Tracking diaphragm wall motion

for respiratory monitoring

Yang et al. [7]

PMUT arrays by mounting PZT

piezoceramic elements on

polyimide film and wrapped

with polydimethylsiloxane

(PDMS)

—
Proposed for medical

applications

Continued on next page
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Table 2.1 – Continued from previous page

Study UT type
Attachment

method
Application

Wang et al.

[8]

PMUT arrays by mounting PZT

piezoceramic elements on

polyimide film and wrapped

with polydimethylsiloxane

(PDMS)

—
Proposed for medical

applications

Mastronardi

et al. [9]

Flexible PMUT array based on

aluminum nitride (AlN)

piezoelectric elements

embedded onto a polyimide

substrate

— —

Sun et al. [10]

Flexible PMUT array based on

aluminum nitride (AlN)

piezoelectric elements

embedded onto a thin polyimide

substrate

—

Proposed for medical

application as a wearable or

implantable UT for health

monitoring and treatment

Singh et al.

[11]

Conformal PMUT array with

PZT piezoceramic elements

mounted on microfabricated

array of silicon islands

connected by polyimide joints

— Proposed for medical imaging

Sadeghpour

et al. [12]

Flexible PMUT array with PZT

piezoceramic elements mounted

on microfabricated array of

silicon islands connected by

silicon springs

— —

Continued on next page
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Table 2.1 – Continued from previous page

Study UT type
Attachment

method
Application

Hu et al. [13]

Stretchable PMUT array with

PZT piezoceramic elements

bridged by stretchable

multi-layer electrodes and

encapsulated by thin silicone

elastomers

—
Proposed for ultrasonic imaging

of complex surfaces

Wang et al.

[17]

Stretchable PMUT array with

PZT piezoceramic elements

bridged by stretchable

multi-layer electrodes and

encapsulated by thin silicone

elastomers

—

Measurement of arterial wall

motion for blood pressure

monitoring

Cheng et al.

[14]

Flexible CMUT with a concave

bottom electrode
— —

Chong et al.

[15]

Flexible CMUT with a concave

bottom electrode embedded on

polymer layer

—
Proposed for high ultrasonic

frequency range applications

Lanata et al.

[16]

Multimodal UT based on PVDF

polymer piezoelectric integrated

into a textile belt

Belt Monitoring of heart wall motion

2.4 Other Wearable Sensors

In recent years, the development of wearable muscle monitoring systems has garnered

the interest of many researchers and clinicians. The extensive research in the field of
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wearable systems is fostered by the need for continuous, long-term, real-time monitoring of

muscle activities, particularly outside healthcare facilities. The advancement in the fields of

sensors, electronic circuits, data analysis methodologies, communication technologies, and

battery technologies have promoted the development and deployment of wearable monitoring

systems. Sensors are the fundamental element of the wearable monitoring system and

essential to the implementation of a body-worn measurement system. A wearable sensor

should be flexible, lightweight, thin, and small in size in order to facilitate the free-hand

attachment to the curved nature of the body surface. The current state of research on wearable

sensors and newly developed wearable systems for skeletal muscle monitoring is presented

and discussed in this section.

The incorporation of the advancements in solutions based on the nanomaterial manu-

facturing process via printing technologies has enabled the development of different strain

sensors on various flexible substrates [153, 154]. Ferrone et al. [18] fabricated a polymeric

strain sensor using a mixture of thermoplastic and nonconductive particles. The developed

polymeric strain sensors were embedded in a cloth wristband to detect the movement of the

hand, as shown in Figure 2.13 (a). Similarly, Cai et al. [19] presented a super-stretchable

carbon nanotube (CNT) strain sensor. The CNT sensor is a nanometer-sized fiber that

exhibits good linearity and a strain range of up to 300%. They proposed the potential of

the CNT sensors to be integrated into smart cloth or directly attached to the skin for human

motion detection and demonstrated the integration of a CNT sensor onto a rubber glove

to detect the bending movement of a finger, as shown in Figure 2.13 (b). Additionally,

Shengbo et al. [20] developed a highly sensitive and flexible strain sensor based on silver

nanoparticles and nanowires. The developed silver strain sensor has demonstrated the ability

to detect the motion of finger bending, wrist bending, and walking by attaching the developed

sensor to the skin using adhesive tapes, as shown in Figure 2.13 (c).



Chapter 2. Literature Review of Muscle Monitoring 40

Furthermore, Takei et al. [21] developed a wearable and flexible piezoresistive silicon-

based strain sensor for muscle activity measurement. The developed ultrathin piezoresistive

sensor was integrated into an armband and was employed in measuring the electrically evoked

biceps muscle contractions at a range of Electrical muscle stimulator (EMS) frequencies, as

shown in Figure 2.13 (d). The conducted measurements of the muscle contractions by the

piezoresistive sensor demonstrated a good association with the magnitude and frequency

of the EMS. In general, the calibration requirement of strain sensors should be taken

into consideration as it may impose a complexity for the practical implementation in the

measurement of muscle contraction.

The recent advancements in textile-based sensors enabled the integration of the sensors

into wearable garments [155]. For example, the flexible sensing belt by Wang et al. [22]

composed of an array of fabric strain sensors (FSS) embedded in a wearable belt, as shown

in Figure 2.14. The FSS was developed to measure the limb circumference changes during

muscle contraction. Likewise, Belbasis and Fuss [23] introduced a wearable pressure

mapping system to quantify muscular exertion and loading. The pressure mapping system

was based on the wearable dynamic pressure measurement device by [156]. The pressure

mapping system consisted of a compression garment with six embedded piezoresistive

polymer sensing nodes to measure the pressure between the compression garment and the

skin above the muscle of interest, as shown in Figure 2.15. The system was demonstrated

by providing a comparative measurement between the muscle relaxed state (MRS) and the

maximal voluntary contraction (MVC).

For specialized applications, a novel wearable MMG based biofeedback system was

presented by Plewa et al. [24] for rhythmic auditory cueing in movement rehabilitation. The

wearable biofeedback system used two tri-axial accelerometers taped to the skin over the

leg muscles, as shown in Figure 2.16 (a). The accelerometers were wired to a portable
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Figure 2.13: Wearable strain sensors. A photo of the wearable polymeric strain sensor by
[18] (a), photos of the wearable CNT strain sensor by [19] (b), photos of the wearable
silver nanoparticles and nanowires strain sensor by [20] (c), and photos of the wearable
piezoresistive silicon-based strain sensor by [21] (d).
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Figure 2.14: The flexible sensing belt by [22]: structure of the sensing belt (a), and a Photo
of the sensing belt mounted on the subject right upper arm (b).

Figure 2.15: The wearable pressure mapping system embedded in pants by [23].
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Arduino board that processes the acquired signals and transfers the data to the developed

mobile application via Bluetooth. The mobile application plays real-time auditory feedback

based on the detection of the gait patterns by accelerometers. Additionally, Bhat and Gupta

[25] developed a localized muscle fatigue detection system based on SEMG measurement,

as shown in Figure 2.16 (b). The novelty of the muscle fatigue detection system was that

the SEMG signal is sent via Bluetooth to an application on a mobile device that uses an

algorithm for the detection of the localized muscle fatigue during isometric exercises.

The recent advancement in technology offers the possibility of integrating various sensors

to achieve a more accurate measurement during mobility exercises. Wilson and Vaidyanathan

[26] introduced the integration of a microphone and an inertial measurement unit (IMU)

in a wearable system for upper limb prosthetic control. The wearable prosthetic control

system consists of six microelectromechanical systems, (MEMS) based microphones and an

IMU embedded in an armband. The armband also contained a module for wireless data

streaming to a computer, as shown in Figure 2.17 (a). The developed prosthetic control

system demonstrated an average identification accuracy of 64% for seven hand gestures

among five subjects. In a similar approach, Mokaya et al. [27, 157] presented a muscle

activity recognition system (MARS) based on wearable sensor nodes for detecting and

tracking muscle activity during physical exercises. The MARS consisted of a triple-axis

accelerometer, a gyroscope, and magnetometer sensors embedded in a wearable garment, as

shown in Figure 2.17 (b). The impact of motion artifacts during the physical exercises was

addressed by the developed motion noise mitigation algorithm. The developed algorithm

uses the extreme value analysis method to model and separate motion artifacts from the

recorded muscle vibration. The results of their conducted experiment showed a prediction

accuracy of 97% in the low motion exercises and 90% in the high motion exercises. Utilizing

the advantage of the integration of multiple data sources, Guo et al. [28] introduced an
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Figure 2.16: The wearable MMG taped to a subject’s leg for rhythmic auditory cueing by
[24] (a), and SEMG electrodes attached to skin surface of the upper arm for localized
muscle fatigue detection by [25] (b).
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SEMG-MMG hybrid system for upper-extremity prosthetic control. A condenser microphone

was placed between the SEMG electrodes on a fabricated housing of the hybrid SEMG-MMG

system, as shown in Figure 2.17 (c). The hybrid approach addresses the SEMG electrode

fault by using combined SEMG-MMG features.

For a larger scale of sensor integration, Ma et al. [29] presented a wearable gesture

detection system that included multiple sensor types as well as ultrasound imaging, as shown

in Figure 2.17 (d). Their wearable gesture detection system consisted of an ultrasound

probe, two SEMG electrodes, three force-sensing resistors, an accelerometer, and a two-axis

goniometer. The system simultaneously measures the muscle electrical activity, records the

motion on the skin surface, and captures the B-mode ultrasound images by an ultrasonic

probe. The wearable gesture detection system showed a moderate test-retest reliability in the

gait cycle monitoring, in comparison to a commercial motion capture system. Table 2.2

summarized the wearable sensors described in the above-motioned studies in tabulated form.
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Figure 2.17: The wearable microphone and the inertial measurement unit embedded in
an armband by [26] (a), the muscle activity recognition system (MARS) based on
wearable sensor nodes by [27] (b), the SEMG-MMG hybrid system for upper-extremity
prosthetic control by [28] (c), and the wearable gesture detection system of multiple
sensor types by [29] (d).
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Table 2.2: An overview of recent wearable sensors for the muscle mechanical activity
measurement.

Study
Measurement

technique
Sensor type Application

Attachment

method

Ferrone et al.

[18]
MMG Polymeric strain sensor Hand gesture recognition

Wearable

band

Cai et al.

[19]
MMG

Carbon nanotube strain

sensor
Muscle motion detection

Integrated

into garment

Shengbo

et al. [20]
MMG

Silver nanowires and

nanoparticles strain

sensor

Muscle motion detection Adhesive tape

Takei et al.

[21]
MMG

Silicon-based

piezoresistive strain

sensor

Muscle contraction

monitoring

Integrated

into garment

Seyedin et al.

[155]
MMG Fabric strain sensor

Limb circumference

changes measurement

Wearable

band

Belbasis and

Fuss

[23]

MMG
Piezoresistive polymer

strain sensor

Muscle contraction

monitoring

Integrated

into garment

Plewa et al.

[24]
MMG Accelerometer

Rhythmic auditory

cueing in movement

rehabilitation

Adhesive tape

Bhat and

Gupta [25]
SEMG

Surface biopotential

electrode

Localized muscle fatigue

detection
Adhesive tape

Continued on next page.
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Table 2.2 – Continued from previous page

Study
Measurement

technique
Sensor type Application

Attachment

method

Wilson and

Vaidyanathan

[26]

MMG

- MEMS based

microphones

- Accelerometer

- Gyroscope

- Magnetometer

Upper-limb prosthetic

control

Wearable

band

Mokaya et al.

[27]
MMG

- Accelerometer

- Gyroscope

- Magnetometer

Muscle activation

prediction in high motion

Integrated

into garment

Guo et al.

[28]

MMG

SEMG

- Electret condenser

microphone

- Surface biopotential

electrode

Upper-limb prostheses

control
Adhesive tape

Ma et al.

[29]

MMG

SEMG

Ultrasound

- Thin-film force

sensing resistor

- Accelerometer

- Goniometer

- Surface biopotential

electrode

- Ultrasonic probe

Muscle contraction

monitoring during

walking

Adhesive tape



Chapter 3

Numerical Simulation Model for the

Double-Layer PVDF WUS

In this chapter the formulation and derivation of the double-layer PVDF WUS numerical

simulation model is presented. To study the double-layer PVDF WUS design, theoretical

simulation of the ultrasonic performance (center frequency, frequency bandwidth, and

acoustic power) and the effects of non-piezoelectric layers, such as electrodes, bonding,

and backing layers, would facilitate the design and construction of an ultrasonic sensor.

The piezoelectric material properties, such as dielectric and mechanical coefficients and

non-piezoelectric layer properties, impact the performance of the ultrasonic sensor. It is

advantageous to have a numerical simulation model to predict the sensor performance

considering the internal losses of PVDF piezoelectric and the effects of the structural

layers beyond the experimental limitations. In particular, the center frequency, frequency

bandwidth, conversion loss, and acoustic output power are the parameters of focus in

studying and designing the wearable PVDF ultrasonic sensor. Several studies have been

published in the context of piezoelectric sensor modeling, though they may not be directly

applicable in the simulation of the proposed design of the double-layer PVDF WUS. Thus,

the complete derivation and the formulation of the PVDF transfer 3 × 3-matrix expression

49
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by [158] was expanded into 4 × 4-matrix expressions that are suitable for simulating and

characterizing the proposed design of the double-layer PVDFWUS. The common formulation

methods reported for multiple-layer piezoelectric sensors have been reviewed. The described

numerical simulation model is implemented to study and evaluate the double-layer PVDF

WUS in the following chapters (Chapter 4 and Chapter 5).

In the following sections, the formulation and derivation of the double-layer PVDF

WUS simulation model were described based on the reviewed simulation models and

methods. Section 3.1 reviews the piezoelectric simulation models. The basic equations

and the core 3 × 3-matrix of the single-layer PVDF piezoelectric modeling are described

first in Section 3.2. Then, the formulation method and derivation of the 4 × 4-matrix of

the multiple-layer PVDF piezoelectric modeling are explained in Section 3.3. In order to

formulate the 4 × 4-matrix for the parallel electrical connection, the core 3 × 3-matrix of

the single-layer PVDF piezoelectric is formulated first to the 4 × 4-matrix for the series

electrical connection in Section 3.3.1 followed by the formulation of the parallel electrical

connection in Section 3.3.2. Lastly, the equivalent circuit of the double-layer PVDF WUS

and the definition of the calculated parameters are described in Section 3.5.

3.1 Review of Piezoelectric Simulation Models

There are two main approaches for the theoretical study of piezoelectric material-based

ultrasonic sensors [152]: the finite element analysis (FEA) and the equivalent electrical

circuit. In the FEA, the structure of an ultrasonic sensor is divided, in terms of geometry of

the piezoelectric resonator, into a finite number of simple geometrically shaped elements.

The mesh of finite elements is mathematically described by a set of linear differential

equations. Thus, the finite elements allow the computation of the mechanical and electrical
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behavior of a piezoelectric element [159–161]. Many simulation softwares use the FEA due

to their ability to model any geometric shape of two- (2D) or three-dimensios (3D) such as

COMSOL Multiphysics (COMSOL, Inc., Burlington, MA, USA), ANSYS (ANSYS, Inc.,

Canonsburg, PA, USA), Onscale (formally PzFlex, Onscale Inc., Redwood City, CA, USA),

and open source FEM code OOFEM [7, 8, 161–170]. The FEA would provide a highly

accurate simulation via the increase in the element number but requires expensive computing

hardware and longer computation time, especially for high frequencies [152, 162].

In contrast, a numerical simulation based on the equivalent circuit modeling approach

would provide a faster computation speed and accurate prediction with less extensive

computation hardware [152, 171]. Several equivalent circuit models are proposed in

literature such as the Mason’s model [73, 172], Redwood’s model [173], KLM model

[174, 175], Rhyne’s model [176], and Leach’s model [177]. Mason [172] provided the

fundamental model for piezoelectric material. He presented the equivalent circuit of the

single piezoelectric as a three-port network that separated into one electrical port and

two acoustic ports through the use of an ideal electromechanical transformer. Redwood

[173] incorporated a transmission line into Mason’s model to represent the time delay

for a mechanical signal traveling from one side of the piezoelectric material to the other.

Krimholtz et al. [174] introduced an alternative circuit, known as KLM, for the simpler

representation of series cascaded piezoelectric circuits. Rhyne [176] introduced a series

impedance to the mechanical side of Mason’s model, accounting for mechanical losses.

Leach [177] modeled the coupling between the electric and acoustic ports of Mason’s model

by the controlled current and voltage sources instead of transformers. The KLM and Mason

models are equivalent and commonly used for modeling piezoelectric sensors [178].

The Mason’s model was assumed for lossless piezoelectric material neglecting internal

losses, which was a suitable assumption for the low-loss of the piezoceramics during the
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time of his classical work before the discovery of the lossy piezoelectric polymer by Kawai

[179]. Since the piezoelectric polymers have large electric and mechanical losses, the

utilization of Mason’s model without considering these losses would result in large errors

in the theoretical analysis. Holland [180] and Ohigashi et al. [181] introduced a method

to include the internal losses into the equivalent circuit representation of Mason’s model

by treating the dielectric and elastic constants of the piezoelectric material as a complex

number, where the corresponding imaginary part represents the losses.

Ohigashi in [158] presented the 3 × 3-matrix expression for polymer piezoelectric

materials operating in thickness mode based on the three-port Mason’s model of the

piezoelectric material. The 3 × 3-matrix expression by Ohigashi related the entities of the

acoustic ports acting on both surfaces of the piezoelectric layer and the electric port entities

acting across the film thickness. However, for multiple piezoelectric layers mechanically

connected in series, the direct multiplication of 3×3-matrix of each piezoelectric layer would

not yield the equivalent resultant matrix expression that relates the entities of the mechanical

and electrical ports between the multiple piezoelectric layers. The current and voltage of the

electrical port must be considered separate entities on each surface of each piezoelectric

layer for the proper summation of the total current and voltage. Sittig [182] proposed a

method that would be suitable for calculating the multiple piezoelectric layers’ arrangement

for both the series and parallel electrical connections. The work of Sittig suggested using

Mason’s model with the representation of the piezoelectric layer as a four-port network with

two electrical ports and two acoustic ports. Thus, each piezoelectric layer in the multiple

piezoelectric layer’s arrangement would be expressed in a 4 × 4-matrix form that relates the

partial current and voltage entities on both surfaces of each successive piezoelectric layer

separately instead of expressing the current and voltage as one entity across the piezoelectric

layer.
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Zhang et al. [183, 184] presented the theoretical analysis of multiple-layer PVDF

structures based on the method suggested by Sittig [182]. In their work, the 4× 4-matrix was

formulated for the multiple PVDF layers connected electrically in series, which could not be

utilized for the parallel case. Rashidian and Rahnavard [185, 186] also presented the method

of formulating the 4× 4-matrices for the series and the parallel cases of electrical connection.

However, the account of the orientation of electrical connections between piezoelectric

layers was not considered in [185, 186]. Additionally, the treatment of the alternating voltage

orientation and particle velocity direction in their 4 × 4-matrices of each piezoelectric layer

was not clear. Bloomfield [187] realized the limitations of the previously published methods

using the 4× 4-matrix formalisms by [182–186]. He presented a general formulation method

of 4× 4-matrices for both the series and parallel cases where the voltage orientation reversals

were taken into consideration. The non-piezoelectric layers, such as electrode and bonding

layers, were treated as a pure mechanical layer in the 4 × 4-matrix expression in [187].

Deriving the correct 4 × 4-matrix expression of each successive piezoelectric material

arranged in multiple-layer configuration, including the non-piezoelectric layers, would allow

the cascade multiplication of the 4 × 4-matrices to obtain the resultant 4 × 4-matrix. Thus,

the resultant 4 × 4-matrix that yields the equivalent expression of all the piezoelectric and

non-piezoelectric layers could be utilized to model the ultrasonic sensor as a single device.

The ultrasonic sensor is, in effect, a box which transforms the electrical quantities

(voltage and current) into the mechanical quantities (force and particle velocity) or vice

versa. Therefore, the equivalent circuit of the ultrasonic sensor is modeled as a two-port

network where one side represents the electrical variables, and the other side represents

the mechanical variables [158, 188]. The 2 × 2-matrix expression of the two-port network

model of the ultrasonic sensor is obtained by reformulating the resultant 4 × 4-matrix of the

acting layers of the ultrasonic sensor into the compact 2 × 2-matrix. The ultrasonic sensor
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parameters such as electrical and mechanical impedances, voltage transfer ratio, matching

loss, conversion loss, and transducer loss could be calculated by relating the input and output

quantities of the two-port network.

The proposed design of the double-layer PVDF WUS consists of two PVDF layers that

are electrically connected in parallel with inverse voltage orientation and inverse polarization

direction. Each PVDF layer has top and bottom electrode layers. The two PVDF layers are

adhered to the inner electrode layers by the bonding layer. The outer electrode layers are in

contact with the backing and propagation media. The research of this chapter provides the

complete derivation and formulation of the double-layer PVDF WUS numerical simulation

model. The introduced numerical model is based on Mason’s model and the review of

previously published work regarding multiple-layer piezoelectric sensors treatments. It

considers the reversed voltage orientation applied in the parallel electrically connected

multiple PVDF layers to yield the correct summation of electrical quantities.

3.2 Modeling of Single-Layer PVDF Piezoelectric

As mentioned in Section 3.1, Mason [172] presented the equivalent circuit of the

single-layer piezoelectric material as a three-port network that divided into two acoustic

ports and one electrical port. Figure 3.1 shows the three-port network representation of

the piezoelectric material operating in thickness-extension mode. The acoustic ports were

represented by forces, �+ and �−, and particle velocities,*+ and*−, acting on the top and

bottom surfaces of the piezoelectric film, respectively. The electric port was represented by

voltage, + , and current, �, acting across the PVDF film thickness.

PVDF piezoelectric has large dielectric and mechanical losses compared to the ceramic

piezoelectric materials. In order to include the internal losses of the PVDF piezoelectric
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Figure 3.1: Three-port network representation of Mason’s model consists of a single-layer
piezoelectric material operating in thickness mode. The force and particle velocity
entities of the acoustic ports acting on the top and bottom surfaces are donated by
�+, �−, *+, and *−, respectively. The voltage and current entities of the electrical
port acting across the thickness of the piezoelectric material are donated by + and �,
respectively.

film, Ohigashi et al. [181] proposed the complex form of the dielectric permittivity, Y∗, and

the complex elastic stiffness constant, 2∗. The dielectric loss, tan X4 and the mechanical loss,

tan X< were added as the imaginary part to the dielectric permittivity, Y(, and the elastic

stiffness constant, 2� , respectively as:

Y∗ = Y( (1 − 9 tan X4) , (3.1)

2∗ = 2� (1 + 9 tan X<) . (3.2)

The relation between the forces, �− and �+, particle velocities,*− and*+, the voltage,+ ,
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and the current, �, could be expressed in the form of a 3 × 3 transfer matrix, ) , as [158, 189]:

©«
�−

�+

+

ª®®®®®¬
= )

©«
*−

*+

�

ª®®®®®¬
, (3.3)

) =

©«

− 9 V coth W3 − 9 V csch W3 − 9 ℎ
l

− 9 V csch W3 − 9 V coth W3 − 9 ℎ
l

− 9 ℎ
l

− 9 ℎ
l

− 9
�l

ª®®®®®®®®¬
=

©«

)1 )2 )3

)2 )1 )3

)3 )3 )4

ª®®®®®®®®¬
, (3.4)

where the complex quantities of acoustic impedance for an area of the film surface, V, wave

propagation constant, W, transmitting constant, ℎ, and clamped bulk capacitance, �, are

defined as:

V = 9 dE(1 + 9 tan X<
2
)�( , (3.5)

W = 9 (l
E
) (1 − 9 tan X<

2
) , (3.6)

ℎ =
4

Y(
, (3.7)

� =
Y∗�(
3

. (3.8)

In Eq. 3.4 – Eq. 3.8, 3 is the thickness, d is the density, h is the longitudinal velocity of

sound, �( is the surface area, and 4 is the piezoelectric constant of the PVDF layer. l is

the angular frequency of ultrasound. The 3 × 3-matrix expression of ) is suitable for the

calculation of a single-layer PVDF. However, it cannot be directly applied for the cascading

of multiple-layer PVDF. Therefore, the ) expression will be extended to represent the

multiple-layer piezoelectric arrangement in the following section.
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3.3 Modeling of Multiple-Layer PVDF Arrangement

The 3×3-matrix expression of) inEq. 3.4, is a mixed representation where the quantities

on one surface were related to those on both surfaces. For instance, �− on the bottom

surface was related to the*− and*+ on the bottom and top surfaces, respectively. Relating

the mechanical quantities on the bottom surface to those on the top surface allows the

multiplication of the transfer matrices to yield the mechanical quantities of the last layer

in terms of the first layer of the multiple-layer PVDF arrangement [182, 183, 185, 187].

Therefore, the relationships were reformulated so that the �− and*− on the bottom surface

were given in terms of �+ and*+ on the top surface as:

©«
�−

−*−

+

ª®®®®®¬
= (

©«
�+

*+

�

ª®®®®®¬
, (3.9)

and 3 × 3-matrix, (, is derived from Eq. 3.4 as:

( =

©«

)1

)2

−)2
1

)2
+ )2

−)1)3
)2
+ )3

−1
)2

)1

)2

)3

)2

)3

)2

−)1)3
)2
+ )3

−)2
3

)2
+ )4

ª®®®®®®®®®¬
. (3.10)

After performing some algebraic manipulations on Eq. 3.10, the 3×3-matrix, (, is expressed

as:
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( =

©«

cosh W3 9 V sinh W3
− 9 ℎ(1 − cosh W3)

l

− 9 sinh W
V

cosh W3
ℎ sinh W3

Vl

ℎ sinh W3

Vl
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ª®®®®®®®®¬
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(3.11)

The three-port network expression given by 3 × 3-matrix, (, relates the mechanical

quantities (�−, *−, �+, and *+) between the PVDF layer surfaces but not the electrical

quantities since+ and � are given across the layer thickness. In order to model the equivalent

circuit of the double-layer PVDF as an ultrasonic sensor, the relationships of the mechanical

and electrical quantities between the bottom surface of the first layer and top surface of

the last layers have to be expressed in one equivalent matrix expression. Figure 3.2 shows

the mechanical and electrical quantities acting on each surface of the double-layer PVDF

arrangement. As an example in Figure 3.2, the resultant equivalent matrix expression should

relate the quantities on the bottom surface of PVDF 1 (�−1 , *
−
1 , and +

−
1 ) in terms of the

quantities on the top surface of PVDF 2 (�+2 ,*
+
2 , and +

+
2 ). Therefore, the matrix expression

of the double-layer PVDF arrangement should include the representation of the electrical

quantities (+ and �) on each surface of the PVDF layer. In order to include the relationships

of the electrical quantities, the PVDF layer is represented as a four-port network with two

pairs of mechanical and electrical quantities each [182, 185, 187]. Note that for the electrical
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Figure 3.2: Representation of the mechanical and electrical quantities acting on each PVDF
layer in the double-layer PVDF arrangement.

currents, �1 and �2, through each PVDF layer should be treated to yield the sum of all currents

entering and leaving every PVDF layer for both series and parallel connected multiple-layer

PVDF cases. Thus, it is more convenient to formulate the 4 × 4-matrix expression for the

series electrically connected multiple-layer PVDF first since the total current, �, is equal

to the current through each PVDF layer (� = �1 = �2). In the following subsections, the

formulations of series electrically connected multiple-layer PVDF are presented first, then

the parallel electrically connected case formulation. The polarization direction of the PVDF

layer is indicated by the sign of ℎ. The positive polarization direction points from the bottom

(−) to the top (+) surfaces.

3.3.1 Series Electrically Connected

Figure 3.3 shows the general representation of series electrically connected multiple-

layer PVDF. In the series electrical connection, the same current flows through each layer
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Figure 3.3: General representation of series electrically connected multiple-layer PVDF.

and the voltages drop across each layer. Thus, the total current and total voltage drop were

defined as:

� = �1 = �2 = �3 = · · · = �# , (3.12)

+ = +1 ++2 ++3 + · · · ++# . (3.13)

The relationship between the mechanical and electrical quantities on each surface of the

sires electrically connected multiple-layer PVDF is formulated from 3× 3-matrix expression,

(, in Eq. 3.9 and Eq. 3.11 by adding a new row and column. The additional row stands for

the equality of the electrical current in the series electrical ports, and the additional column

maintains the correct relationships between the other quantities. The positively defined

voltage differences and currents were directed from the bottom (−) surface to the top (+)

surface as the active voltage electrode (connected to high terminal) and grounded electrode

(connected to ground terminal) were assumed on the bottom (−) of the 1st PVDF layer and

the top (+) of the Nth PVDF layer , respectively. Thus, the (" 4 × 4-matrix for the 1st PVDF
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layer in case of the series electrical connection is expressed as:

©«

�−1

−*−1
+−1

�1

ª®®®®®®®®¬
= ("

©«

�+1

*+1

++1

�1

ª®®®®®®®®¬
, (3.14)

where

(" =

©«

cosh W3 9 V sinh W3 0
− 9 ℎ(1 − cosh W3)

l
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V

cosh W3 0
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0 0 0 1
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, (3.15)

+1 = +
−
1 −+

+
1 . (3.16)

The superscript " denotes the multiple layers. The 4 × 4-matrix expression of (" , in

Eq. 3.15 can compute the bottom (−) surface quantities from those on the top (+) surface.

Thus, the multiplication of (" matrices of n layers in the series electrically connected

multiple-layer PVDF depicted in Figure 3.3 yields the relationship between the bottom (−)

surface of the 1st PVDF layer and the top (+) surface of the Nth PVDF layer as:

©«

�−1

−*−1
+−1

�1

ª®®®®®®®®¬
= ("{#}

©«

�+
#

*+
#

++
#

�#

ª®®®®®®®®¬
, (3.17)
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Figure 3.4: General representation of parallel electrically connected multiple-layer PVDF.

where

("{#} =
#∏
:=1

(": , (3.18)

+ = +−1 −+
+
# , (3.19)

�1 = �# ≡ � . (3.20)

Note that multiplication of ("{#} in Eq. 3.18 yields the total voltage drop across all the

n-PVDF layers (between the bottom (−) surface of the 1st PVDF layer and the top (+) surface

of the Nth PVDF layer). Since the top (+) surface of the Nth PVDF layer is connected to the

ground, this gives ++
#
= 0 and + = +−1 .

3.3.2 Parallel Electrically Connected

Figure 3.4 shows the general representation of parallel electrically connected multiple-

layer PVDF. In the parallel electrical connection, the voltage across each layer is the same,

and the total current is equal to the sum of the currents flowing through each layer. Thus, the
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total current and total voltage can be defined as:

� = �1 + �2 + . . . + �# , (3.21)

+ = +1 = +2 = . . . = +# . (3.22)

Since the same voltage is applied to each PVDF layer, reformulating Eq. 3.9 to represent

the current on the bottom surface (−) in terms of the voltage on the top surface (+) is more

convenient for the calculation of parallel electrical connection multiple-layer PVDF. Thus,

the 3 × 3-matrix expression, %, is derived from ( in Eq. 3.11 as:

©«
�−

−*−

�

ª®®®®®¬
= %

©«
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ª®®®®®¬
, (3.23)
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1

(33

ª®®®®®®®®¬
. (3.24)

After performing some algebraic manipulations on Eq. 3.24, the % 3× 3-matrix is expressed
as:

% =

©«

cosh W3 − - sinh W3

1 − - sinh W3

9 V[sinh W3 + 2- (1 − cosh W3)]
1 − - sinh W3

ℎ� (1 − cosh W3)
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where

- =
ℎ2�

Vl
. (3.26)
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Now, the relationships between the mechanical and electrical quantities on each surface of

the parallel electrically connected multiple-layer PVDF arrangement can be formulated from

3 × 3-matrix expression, %, in Eq. 3.23 into a 4 × 4-matrix expression by adding a new row

and column. The additional row stands for the equivalence of voltage, and the additional

column maintains the correct relationship of the other quantities. Thus, the %" 4 × 4-matrix

for the 1st PVDF layer in the case of parallel electrical connection is expressed as:

©«

�−1

−*−1
+1

�−1

ª®®®®®®®®¬
= %"

©«

�+1

*+1

+1

�+1

ª®®®®®®®®¬
, (3.27)

where

%" =

©«

cosh W3 − - sinh W3

1 − - sinh W3

9 V[sinh W3 + 2- (1 − cosh W3)]
1 − - sinh W3
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ª®®®®®®®®®®®®®¬
, (3.28)

�−1 = �1 + �2 + · · · + �# , (3.29)

�+1 = −�2 − �3 − · · · − �#−1 . (3.30)

The %" 4 × 4-matrix in Eq. 3.28 can compute the bottom (−) surface quantities from

those on the top (+) surface. The currents in Eq. 3.29 and Eq. 3.30 are treated as the partial

sum current, �− and �+, on each surface of the PVDF layer in order to yield the correct

summation of current (�) after the multiplication of %" matrices. Thus, the multiplication of
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parallel electrically connected n PVDF layers depicted in Figure 3.4 yields the relationships

between the bottom (−) surface of the 1st PVDF layer and the top (+) surface of the Nth

PVDF layer as: ©«

�−1

−*−1
+1

�

ª®®®®®®®®¬
= %"{#}

©«

�+
#

*+
#

+#

0

ª®®®®®®®®¬
, (3.31)

where

%"{#} =
#∏
:=1

%": , (3.32)

+1 = +# ≡ + . (3.33)

The partial sum currents, �−= and �+= , on each surface are defined as:

�−= =
#∑
:==

�: , (3.34)

�+= =
#−1∑
:==

(−1)�:+1, for = ≤ # − 1 , (3.35)

where

�+# = 0 . (3.36)

However, the adjacent surfaces of the parallel electrically connected multiple-layer PVDF

are practically connected to a common ground terminal or a common high terminal, as

shown in Figure 3.5 (more explanation is given in Section 4.3.3). Hence, reversal voltage

orientations are applied to successive PVDF layers, which give the definition of the total

voltage and current depicted in Figure 3.5 as:
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Figure 3.5: General representation of interchange electrode connections in parallel electri-
cally connected multiple-layer PVDF case: even-numbered (a) and odd-numbered (b)
PVDF layers.

� = −�1 + �2 + . . . + (−1)# �# , (3.37)

+ = −+1 = +2 = . . . = (−1)#+# . (3.38)

In order to take account of the reversal in the voltage orientation and current direction,

the sum of the voltage and partial currents can be formed by summing alternately signed

quantities [187]. Therefore, the 〈33〉 and 〈44〉 elements of %" 4 × 4-matrix are given with a

minus sign. To maintain the correct definition of voltages in Eq. 3.38, the expression of %"

is given in terms of −+ . Consequently, the %" 4 × 4-matrix given in Eq. 3.27 – Eq. 3.30 is

reformulated into 4 × 4-matrix expression, %" . Thus, the %" for the 1st PVDF layer in the
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case of parallel electrical connection with alternative voltage orientation is formulated as:
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�−1 =
#∑
:=1

(−1)#−: �: , (3.41)

�+1 =
#−1∑
:=1

(−1)#−:−1�:+1, for = ≤ # − 1 , (3.42)

�+# = 0 . (3.43)

The strikethrough symbols of % and � are introduced to the parallel electrical connection

with alternating voltage orientation.

Now, the multiplication of %" matrices yields the sum of all currents entering and

leaving all the PVDF layers that are connected electrically in parallel with alternating voltage

orientation. Thus, the relationships between the bottom (−) surface of the 1st PVDF layer
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and the top (+) surface of the Nth PVDF layer are given as:
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where

%"{#} =
#∏
:=1

%": , (3.45)

−+1 = (−1)#+# ≡ + . (3.46)

The partial sum currents, �−= and �+= , on each surface are defined as:

�−= =
#∑
:==

(−1)#−: �: , (3.47)

�+= =
#−1∑
:==

(−1)#−:−1�:+1, for = ≤ # − 1 , (3.48)

where

�+# = 0 . (3.49)

3.4 Modeling of Non-Piezoelectric Layers

The previous section presented the formulation of multiple-layer PVDF as an active

piezoelectric layer. The ultrasonic sensor is composed of piezoelectric layers and non-

piezoelectric layers such as electrodes and bonding layers. The non-piezoelectric layers

are mechanically in series with the PVDF layers, and their finite thickness loads the PVDF
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ultrasonic response. Since electrode layers have high electrical conductivity, their electrical

resistance could be neglected and assumed ' = 0. In addition, the electrode layers between

the bonding layer, an intervening layer that adheres to the PVDF layers, are usually connected

to a common terminal, as shown in Figure 3.6. Therefore, it could be assumed that there

is no voltage drop across the intervening bonding layers. Thus, the electrode and bonding

layers are considered to be purely mechanical in which

ℎ = 0, 1/� = 0 . (3.50)

The inclusion of the intervening non-piezoelectric layers between the PVDF layers in

the multiplication of 4 × 4-matrices of the multiple-layer PVDF arrangement requires the

expression of the non-piezoelectric mechanical properties to be in 4 × 4-matrix. Hence,

the %" 4 × 4-matrix expression in Eq. 3.28 is simplified for the non-piezoelectric layer by

substituting Eq. 3.50 as:

%=? =

©«

cosh W3 − 9 V sinh W3 0 0

9�−1 sinh W3 cosh W3 0 0

0 0 1 0

0 0 0 1

ª®®®®®®®®¬
. (3.51)

The %=? 4 × 4-matrices expression of non-piezoelectric layers can be directly included

in the multiplication of 4 × 4-matrices of the PVDF layers while maintaining the correct

relationship between the acting quantities on the bottom (−) and top (+) surfaces.
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Figure 3.6: Representation of common electrical connections to electrodes between the
bonding layer

3.5 Equivalent Circuit Model of Double-Layer PVDF

WUS

The general construction of the essential layers of a double-layer PVDF ultrasonic sensor

is shown in Figure 3.7. The figure illustrates the mechanical and electrical quantities acting

on the top and bottom surfaces of each layer. The double-layer ultrasonic sensor is composed

of two PVDF layers with top and bottom electrode layers and a bonding layer between the

inner electrode layers. The design of the developed double-layer PVDF WUS in this thesis

is detailed in the following chapter (Chapter 4). The multiplication of the 4 × 4 matrices

sequence of the layers yields the resultant 4 × 4-matrix expression, ". The " expression

relates �−
4;21 and *−

4;21 on the bottom (−) surface of the first electrode layer next to the

backing medium in terms of �+
4;24 and*

+
4;24 on the top (+) side of the fourth electrode layer

next to the propagation medium. Also, it produces the sum of the running current, �. The

polarization directions of the two PVDF layers are represented by the sign of ℎ in Eq. 3.40.
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Thus, the resultant matrix, " , of the double-layer PVDF ultrasonic sensor is given as:
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where
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(3.53)
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Figure 3.7: Acting quantities on each individual layer of double-layer PVDFWUS. Reversal
voltage orientation is assumed.
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Figure 3.8: Equivalent circuit of double-layer PVDF ultrasonic sensor as a two-port network
for transmitting and receiving modes.

The equivalent circuit of the double-layer PVDF ultrasonic sensor can be described as a

two-port network that relates between the input electrical variables and output mechanical

variables in transmitting mode or vice versa in the receiving mode [190], as shown in

Figure 3.8. The compact 2 × 2-matrix expression of the two-port network representation of

the double-layer ultrasonic sensor is obtained by reformulating the resultant 4 × 4-matrix,

", in Eq. 3.53 in terms of the acoustic impedance of the backing medium, /�, and the

propagation medium, /%. For the double-layer PVDF configuration in Figure 3.7, /� and

/% are defined as:

/� =
��

*�
=

�−
4;2(1)
−*−

4;2(1)
, (3.54)

/% =
�%

*%
=

�+
4;2(4)
−*+

4;2(4)
. (3.55)

Thus, the compact 2 × 2-matrix expression for the equivalent circuit of the double-layer

PVDF ultrasonic sensor is obtained by substituting Eq. 3.54 and Eq. 3.55 in Eq. 3.52 as:

©«
+

�

ª®®¬ =
©«
� �

� �

ª®®¬
©«
�%

*%

ª®®¬ , (3.56)
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where

� = −"33(
"21/� − "11

"23/� − "13
) , (3.57)

� = "33(
"22/� − "12

"23/� − "13
) , (3.58)

� = "41 − "43(
"21/� − "11

"23/� − "13
) , (3.59)

� = −"42 + "43(
"22/� − "12

"23/� − "13
) . (3.60)

From the equivalent circuit of the double-layer PVDF sensor in the ultrasonic transmitting

mode shown in Figure 3.8, the electrical input impedance of the double-layer ultrasonic

sensor, /� , seen at the electrical side in the transmitting mode when the output is loaded by

the acoustic impedance, /%, of the propagation medium defined as:

/� =
�/% + �
�/% + �

. (3.61)

The voltage transfer ratio in the transmitting mode between the input voltage, + , and the

output force, �) , is defined as:
�)

+
=

/%

�/% + �
. (3.62)

The acoustic input impedance, /" , seen at the mechanical terminal pair in the receiving

mode when the output is loaded by electrical impedance, '! , is defined as:

/" =
�'! + �
�'! + �

. (3.63)

The voltage transfer ratio in the receiving mode between the input force, �, and the output
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voltage, +! , is defined as:
+!

�
=

'!

�'! + �
. (3.64)

For pulsed ultrasound, there is no interference effect between the transmitted and

received pulse ultrasound. Thus, the force transfer ratio between the output force,�) , in

the transmitting mode and the input force, �, in the receiving mode could be obtained by

assuming the propagation medium is a loss-free as :

�

�)
=

2/"
/" + /%

. (3.65)

The overall voltage transfer ratio through both the transmitting and receiving modes,

neglecting the loss by the ultrasound propagation, is defined as [182]:

+!

+
=
�)

+
· �
�)
· +!
�
=

2'!/%
(�/% + �) ['! (�/% + �) + (�/% + �]

. (3.66)

The acoustic output power, %) , at the mechanical terminal in the transmitting mode can be

obtained from Eq. 3.62 in terms of the input voltage, + , as:

%) =
/%

|�/% + � |2
· +2 . (3.67)

The transmitted power at the electrical terminal in the transmitting mode, %� , is defined as

[191]:

%� =
+2'4(/� )
|/� |2

. (3.68)

The conversion efficiency of the transmitted power, %� , into the acoustic power, %) , can be
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obtained from Eq. 3.67 and Eq. 3.68 as a conversion loss (CL) expressed in dB as:

�! = −10 log %)
%�

= −10 log /% |/� |2
|�/% + � |'4(/� )

. (3.69)

The CL is independent of the power reflection due to the impedance mismatching between

the power source and the ultrasonic sensor. The ratio of the transmitted power, %� , to the

power available, %(, from the power source is defined by the matching loss (ML) parameter

expressed in dB:

"! = −10 log %�
%(

= −10 log 4'4(/B)'4(/� )
|/( + /� |2

. (3.70)

Lastly, the ratio of the electrical power available from the source, %(, converted into acoustic

output power, %) , is given by the transducer loss (TL) parameter expressed in dB as:

)! = −10 log %)
%(

= "! + �! . (3.71)

The developed double-layer PVDF WUS performance in terms of operating frequency,

frequency bandwidth, and signal strength is studied and evaluated in the following chapters

(Chapter 4 and Chapter 5) using the above parameters, such as /� , %) , CL. All the

parameters are functions of frequency and are calculated accordingly.



Chapter 4

Numerical Study and Design

Considerations of the Double-Layer

PVDF WUS

This chapter presents the design of the double-layer PVDF WUS. It first studies the

ultrasonic performance of the double-layer PVDF WUS, such as operating frequency,

frequency bandwidth, acoustic power, and electromechanical conversion efficiency, under

several conditions using the numerical simulation model developed in Chapter 3. The

effects of the mass loading of the non-piezoelectric layers, such as backing, bonding, and

electrode layers, on the ultrasonic performance of the double-layer PVDF WUS are also

studied in detail for several materials and layer thicknesses. Then, the design considerations

of the double-layer PVDF WUS are discussed based on the numerical simulation study.

This chapter also addresses the challenges related to the PVDF layer thickness and sensing

area selection, the double-layer PVDF arrangement, the electrical connection and lead wire

attachment, the bonding of the two PVDF layers, and the packaging of the WUS structure.

Lastly, the design of the double-layer PVDF WUS is described based on the results of the

77
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numerical simulation study and the design considerations and challenges discussed.

4.1 Choosing the PVDF Piezoelectric Film

There are a variety of piezoelectric materials such as crystals, ceramics, polymers,

and their composites. Since the discovery of piezoelectric ceramic materials during the

1940s, they have become widely used in many ultrasonic applications due to their high

piezoelectric coefficient [192]. In ultrasonic medical applications, piezoceramics, such as

PZT, are most commonly used [193]. Piezoceramics exhibit a very high electromechanical

coupling coefficient, high dielectric constants, and low electrical and mechanical losses

compared to other piezoelectric materials. The major challenges of using piezoelectric

ceramics such as PZT in designing a WUS are their brittle nature, inflexibility, and high

acoustic impedance mismatching to human soft tissue [194–196]. Despite the piezoceramic’s

superior piezoelectricity, piezoelectric polymer materials such as polyvinylidene fluoride

(PVDF) offer the flexibility that could be suitable for a WUS. There are several polymeric

piezoelectric materials, such as poly(vinylidene fluoride-trifluoroethylene) [P(VDF-TrFE)]

copolymer [72], nylon-(5, 7, and 11) [72, 197], and polyurea [198–200]. Although there

have been many piezoelectric polymers investigated, the choice of commercially available

piezopolymers remains limited. PVDF and P(VDF-TrFE) are commercially available as film

sheets in different thicknesses from vendors such as Measurement Specialties. However,

the commercially available P(VDF-TrFE) has greater crystallinity resulting in brittleness

[72]. The PVDF film offers high flexibility and thus can be firmly attached to the curved

skin surface. In addition, the close matching of the PVDF acoustic impedance to that

of human soft tissues provides a good ultrasonic transmission to the tissue without the

requirement of acoustic matching layers. The sensor could also be easily fabricated into
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Table 4.1: Typical properties of piezoelectric materials of interest.

Parameter
Piezopolymer Piezoceramic

PVDF

[158]

P(VDF-TrFE)

[158]

Nylon-11

[197, 203]

Polyurea

[199, 200]

PZT-4

[158]

Density, d (kg/cm2) 1780 1880 1023 1450 7500

Longitudinal sound velocity, h (m/s) 2260 2400 2000 2.18 4630

Acoustic impedance, Z (MRayl) 4.02 4.51 2.05 3.16 34.40

Stiffness constant, 2� (109 N/m2) 9.10 11.3 – 6.9 159

Thickness coupling factor, :C 0.20 0.30 0.11 0.1 0.51

Piezoelectric constant, 4 (C/m2) -0.14 -0.22 – -0.06 15.10

Transmitting constant, ℎ (109V/m) -2.6 -4.7 – -1.7 2.7

Dielectric constant, Y(/Y> 6.20 5.3 2.5 4.4 635

Dielectric loss tangent, tan X4 0.25 0.14 0.25 0.02 0.004

Mechanical loss tangent, tan X< 0.10 0.04 0.12 – 0.004

any desired dimensions due to the commercial availability of PVDF films in large-area

sheets. Therefore, the PVDF polymer film has been chosen as a piezoelectric material to

construct the WUS for this thesis research objective. Table 4.1 shows the typical properties

of common piezopolymers and a piezoceramic. The acoustic impedance (Z) is the resistance

to ultrasound propagation through the medium. The stiffness constant (2�) is the resistance

to deformation per unit area, the thickness coupling factor (:C) is the conversion efficiency

between electrical energy and mechanical energy. The piezoelectric constant (4) is the

electric charge generated by a piezoelectric material per unit of surface area. The dielectric

constant (Y(/Y>) is the dielectric displacement ratio relative to the vacuum permittivity.

The transmitting constant (ℎ) is the ratio of the piezoelectric constant to the dielectric

displacement with constant strain. The loss tangents (tan X4 and tan X< ) are the energy

dissipation within the piezoelectric material [201, 202].
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4.2 Numerical Study of Double-Layer PVDF WUS

In this section, the PVDF ultrasonic sensor properties are studied to obtain some

guidelines for the design and construction of double-layer PVDF WUS based on the

numerical simulation model of the double-layer PVDF WUS introduced in Chapter 3. In

general, the ultrasonic properties of double-layer PVDF WUS, such as operating frequency,

bandwidth, acoustic output power, and power conversion efficiency, depend not only on the

piezoelectric properties of the PVDF film but also on the properties of non-piezoelectric

layers such as backing, electrode, and bonding layers. Therefore, the effects of each non-

piezoelectric layer are studied in this section in order to design the double-layer PVDF WUS.

The parameters of non-piezoelectric materials used in the numerical simulations are given

in Table 4.2.

4.2.1 PVDF Layer Thickness and Ultrasound Sensing Area

The thickness and the ultrasound sensing area of the PVDF layer are important parameters

for the WUS operating frequency, ultrasonic signal strength, and spatial resolution in

ultrasonic measurements. The thickness of the PVDF layer determines the resonance

frequency as the PVDF piezoelectric film operates in the thickness-extensional mode. When

an alternating voltage at the resonant frequency of the PVDF layer is applied along its

thickness direction, the thickness of the PVDF layer changes periodically, which leads to

the generation of ultrasound waves and vice versa to the detection of ultrasound waves

[209]. The starting point for the thickness selection of a PVDF film is the desired ultrasound

frequency. The resonance frequency is when the PVDF layer converts electrical energy

into acoustic energy most efficiently. Thus, the PVDF layer oscillations at the resonance
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Table 4.2: Acoustic properties of the materials used in the numerical simulations.

Material
Longitudinal

sound velocity, h
(m/s)

Density, d
(kg/cm2)

Acoustic
impedance,
Z (MRayl)

Air [204] 344 1.24 0.0004

Aluminum [151, 204] 6300 2700 17

Araldite 10 phe [205] 2620 1160 3.04

Araldite 50 phe [205] 2160 2860 6.18

Ecosorb [204] 2600 4500 11.7

Polyimide [206] 2414 1421 3.43

Silicon adhesive [207] 960 1470 1.41

Silver [205] 3600 1060 38.16

Silver epoxy [205] 1900 2710 5.15

Silver ink * 3600 3400 12.24

Spurr’s epoxy [151, 208] 2200 1090 2.4

Sylgard [205] 1027 1050 1.07

Water [204] 1500 1000 1.5

* Estimated.

frequency will occur with much greater ultrasonic intensity. Figure 4.1 shows the calculated

acoustic output power, %) , of a single-layer 52 µm-thick PVDF as a function of frequency.

The acoustic power of the PVDF is obtained by assuming the input voltage =1 V in Eq. 3.67.

The highest acoustic power occurs at the fundamental frequency of the PVDF layer. Also,

the PVDF layer has frequencies of a large amplitude of acoustic power at an odd multiple

of the fundamental frequency. These are termed harmonic frequencies. In this study, the

fundamental frequency of a PVDF layer is the operating frequency of interest.

To study the operating frequency of PVDF layer dependence on the thickness, the
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Figure 4.1: The PVDF layer resonance frequencies. The PVDF acoustic power is computed
as a function of frequency to illustrate the fundamental and harmonic frequencies of
single-layer 52 µm-thick PVDF. The structural configuration of the simulation (a) and
the resonance frequencies (b) are shown. Input voltage =1V is assumed.

single-layer PVDF operating frequency is computed as a PVDF layer thickness function.

Figure 4.2 (a) depicts the structural configuration of the single-layer PVDF simulation, and

Figure 4.2 (b) shows the operating frequency of the single-layer PVDF in a thickness range

of 10 – 250 µm. As the thickness, d, of the PVDF layer doubles, the operating frequency

reduces nearly by half. For example, a 52 µm-thick PVDF layer resonates at 21.3 MHz,

where a 104 µm-thick (52×2) PVDF layer resonates at 10.7 MHz (21.3/2). Thus, the thicker

the PVDF layer, the lower the resonant (operating) frequency of the ultrasonic sensor.

The active ultrasound area of the PVDF layer is related to the ultrasonic signal strength

of the ultrasonic sensor. Figure 4.3 shows the acoustic power of single-layer 104-µm-thick

PVDF at the operating frequency (10.7 MHz) for the area range of 0.1 – 8.0 cm2. The result

shows that the PVDF acoustic power (ultrasonic signal strength) increases as the active

ultrasound increases.

The numerical simulation study carried out in this section is mainly based on a 52
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Figure 4.2: The PVDF thickness layer effect on the operating frequency. The operating
frequencies are computed as a function of the single-layer PVDF layer thickness, d, in
a range of 10 – 250 µm. The structural configuration of the simulation (a) and the
operating frequency (b) are shown.

µm-thick PVDF layer of an active ultrasound area of 4 cm2. The selection of the PVDF layer

thickness and active ultrasound area will be discussed in the next section, Section 4.3.2.

4.2.2 Double-Layer PVDF Configuration

The inherent properties of PVDF piezoelectric may be suitable features for a WUS to

perform the continuous monitoring of muscle contraction. However, the PVDF has relatively

weak piezoelectric properties and high internal losses comparing with the piezoceramic

materials, as seen in Table 4.1. The high dielectric loss of the PVDF (tan X4 = 0.25) causes

the high dissipation of power within the PVDF, and the low electromechanical coupling

coefficient (:C = 0.20) indicates the low electric-acoustic conversion ratio. The low dielectric

constant of PVDF (Y(/Y> = 6.20) implies the high electrical input impedance, which leads to

the requirement of a much higher input voltage, + . For example, the PVDF film, in general,
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Figure 4.3: The effect of the active ultrasound area of PVDF layer on the acoustic output
power. The acoustic output powers at the operating frequency of single-layer 104-
µm-thick PVDF are computed as a function of the area range of 0.1 – 8.0 cm2. The
Structural configuration of the simulation (a) and the acoustic power at the operating
frequency (b) are shown. Input voltage =1 V is assumed.

would require a driving voltage eight times higher than the PZT to generate a comparable

ultrasonic intensity [71].

One of the main considerations in designing a PVDF WUS is the signal-to-noise ratio

(SNR) due to the ultrasonic transmission power limitation and the requirement of the high

driving voltage. Increasing the transmitting ultrasound intensity, the transmitted acoustic

power (%) ), in the transmission mode, would increase the received/reflected ultrasound

intensity. Hence, the SNR of the received ultrasound would be increased. Swartz and

Plummer [71] proposed the approach of the multiple-layer PVDF configuration to increase

the output power from a PVDF ultrasonic sensor from the available voltage source. The

multiple-layer PVDF arranged electrically in parallel and mechanically in series would

increase the ratio of the voltage to the acoustic power in the transmission mode. Thus, the

same input voltage, + , for parallel electrically connected double-layer PVDF, as shown



Chapter 4. Numerical Study and Design Considerations 85

in Figure 4.4, would theoretically have acoustic output power four times higher than the

single-layer PVDF of an equivalent total thickness [71].

Figure 4.5 (a) shows the four cases of PVDF layer configuration: single-layer 52-µm-

thick PVDF, single-layer 104-µm-thick PVDF, double-layer 52-µm-thick PVDF in parallel

polarization direction, and double-layer 52-µm-thick PVDF in antiparallel polarization

direction. The parallel electrical connection of two 52-µm-thick PVDF layers has reduced

the electrical input impedance by factors of around two and four in comparison to the cases

of single-layer 52-µm-thick and 104-µm-thick PVDF thickness, respectively, as shown in

Figure 4.5 (b).

Another aspect of the double-layer PVDF configuration is the polarization directions of

the two bonded PVDF layers. In the double-layer configuration, the polarization directions

of the two PVDF layers can be arranged in either parallel or antiparallel. The parallel

polarization direction of the two PVDF layers points in the same direction, as shown by the

thick arrows in Figure 4.6 (a), where the antiparallel polarization of the two PVDF layers

points in opposite directions, as shown by the thick arrows inFigure 4.6 (b). The arrangement

of the polarization direction determines the operating frequency of the double-layer PVDF

configuration. From the calculated acoustic power and conversion loss (CL) in Figure 4.5

(c) and (d), respectively, the operating frequency, 5?, of the double-layer 52-µm-thick PVDF

Figure 4.4: Representation of the parallel electrically connected double-layer PVDF (a) and
a single-layer PVDF of an equivalent total thickness (b).
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in parallel polarization direction is at 10.7 MHz where the operating frequency, 50?, of the

case of antiparallel polarization direction is at 21.3 MHz. Thus, the relation of the 5? and

50? to the operating frequency of the single-layer PVDF of the same individual PVDF layer

thickness (52-µm-thick), 5B, could be expressed as:

5? ∝
5B

2
, (4.1)

50? ∝ 5B . (4.2)

Themain advantage of the double-layer PVDF configuration is the increase of the acoustic

output power to the input voltage, + , ratio. For the same surface area and input voltage,

the double-layer 52-µm-thick PVDF in both cases of parallel and antiparallel polarization

directions have four times higher acoustic power at their operating frequencies compared

to the single-layer cases of 104-µm-thick and 52-µm-thick PVDF, respectively, as shown

in Figure 4.5 (c). In addition, the antiparallel polarization direction of the double-layer

52-µm-thick PVDF has an acoustic power of 8.7 mW at 21.3 MHz, which is higher than the

parallel polarization direction case of the double-layer 52-µm-thick PVDF of 3.9 mW at

10.7 MHz. This is due to the decrease of electrical impedance as the operating frequency

increases, as shown in Figure 4.5 (b) of the electrical impedance curve. Similarly, the

single-layer PVDF of a thicker layer would have larger impedance due to its lower operating

frequency. Thus, a thicker PVDF layer requires a higher voltage to transmit a comparable

ultrasound intensity to the thinner PVDF layer at their operating frequencies. However, all

simulated cases in Figure 4.4 (a) have approximately the same CL value of 6.97 ±0.012 dB at

their fundamental resonance frequencies, as shown in Figure 4.5 (d). Thus, the double-layer

PVDF configuration increases the acoustic power ratio from the input voltage due to its

lower electrical impedance, but would have the same electric power to acoustic power ratio
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compared to that of the single-layer PVDF. For the frequency bandwidth, they would have

the same full width at half maximum (FWHM) frequency bandwidth of 35% except for the

antiparallel polarization direction case of the double-layer PVDF where it has a narrower

FWHM bandwidth of 23.1%.

To summarize, the double-layer PVDF that is electrically connected in parallel with

their polarization direction in parallel operate at the same frequency and bandwidth as the

single-layer PVDF of the equivalent total PVDF layer thickness, but with four times higher

acoustic output power to input voltage ratio. Thus, the double-layer PVDF configuration

with parallel polarization direction would be a preferable choice for the WUS design due to

the higher ultrasound signal strength at the desired frequency chosen.
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Figure 4.5: Four cases of PVDF layer configurations: single-layer 52-µm-thick PVDF, single-
layer 104-µm-thick PVDF, double-layer 52-µm-thick PVDF in the parallel polarization
direction, and double-layer 52-µm-thick PVDF in the antiparallel polarization direction
(a) are simulated. The calculated electrical input impedance (b), acoustic output power
(c), and conversion loss (d) are shown. Surface area = 4 cm2 and input voltage = 1 V
are assumed.
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Figure 4.6: Polarization directions in double-layer PVDF configuration: parallel (a) and
antiparallel (b).

Furthermore, it is conveniently practical to connect the inner electrode of the double-layer

PVDF to a common terminal to avoid the interconnection complexity of the electrodes.

The connection of the inner electrode to the common electrical terminal would result in an

application of an inverted voltage orientation to the two PVDF layers. As the polarization

direction is relative to the voltage orientation, the antiparallel polarization direction of

the double-layer PVDF layer with inverted voltage orientation would behave as if their

polarization directions were in parallel, as illustrated in Figure 4.7. Thus, the double-layer

PVDF configuration of Figure 4.7 (a) is employed in the double-layer PVDF WUS design.

It is worth noting that the terms parallel and antiparallel polarization directions would be

used as described in Figure 4.6 despite the voltage orientation.

Figure 4.7: Double-layer PVDFwith reversal voltage orientation and antiparallel polarization
directions (a) behaves equivalently to the double-layer PVDF of parallel polarization
directions (b).
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4.2.3 Effect of Backing

One of the important aspects in the design of an ultrasonic sensor is taking into

consideration the effect of backing material on the PVDF sensor performance. In the

previous section, the operating frequency and ultrasound signal strength were discussed

for the double-layer PVDF configuration, where the backing and propagation media were

assumed to be air and water, respectively. This section focuses on the effect of the backing

medium or material on the double-layer PVDF operating frequency, bandwidth, acoustic

output power, and CL.

For a PVDF piezoelectric operating in the thickness-extensional mode, the resonance

frequency occurs at a wavelength twice the thickness of the PVDF film when there are no

backing materials (air backing) due to an open boundary condition. Hence a half-wavelength

resonance mode, as shown in Figure 4.8 (a). If the PVDF is backed with a material of

an acoustic impedance much higher than the PVDF, the resonance frequency occurs at a

wavelength four times the thickness of PVDF film due to a close boundary condition of the

backing. Hence a quarter-wavelength resonance frequency, as shown in Figure 4.8 (b).

Sherar and Foster [151] and Brown [210] have shown that the operating frequency and

conversion efficiency of the single-layer PVDF case depend on the acoustic impedance of

the backing. For a backing with very low acoustic impedance material such as air (427

Rayls), the PVDF that is loaded at the front by water (1.5 MRayls) would resonate in

the _/2 (half wavelength) mode at the maximum conversation efficiency and narrowest

frequency bandwidth. When the PVDF is backed by a high acoustic impedance material

such as aluminum (17 MRayls), the PVDF would resonate in _/4 mode at a lower conversion

efficiency and broader frequency bandwidth. For the backing of a close acoustic impedance

to that of the PVDF, the PVDF would resonate weakly in both _/2 and _/4 modes at the lowest
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Figure 4.8: Standingwaves representations of the half-wavelength (a) and quarter-wavelength
resonating (b) modes of PVDF.

conversion efficiency and the broadest frequency bandwidth. Thus, the acoustic impedance

of the backing determines whether the double-layer PVDF resonates in the half-wavelength

(_/2), one-quarter wavelength (_/4) mode, or both modes.

The prior work of Sherar and Foster [151] and Brown [210] can be extended for the

double-layer PVDF ultrasonic sensor attached to the human body in which the front surface

of the sensor is loaded by the soft tissue (the propagation medium). The average acoustic

impedance of the soft tissue (1.58 MRayls) is close to the acoustic impedance of water (1.50

MRayls); therefore, water is assumed as the propagation medium in the following numerical

simulations. To investigate the dependence of the double-layer PVDF sensor performance on

the acoustic impedance of the backing material, Figure 4.9 shows the operating frequency, -3
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dB frequency bandwidth at the operating frequency, and CL value at the operating frequency

for the double-layer 52-µm-thick PVDF with a backing material acoustic impedance range

of 0 – 30 MRayls.

The results in Figure 4.9 (b) show that the double-layer 52-µm-thick PVDF with a

backing impedance of less than 3.0 MRayls operates in _/2 mode (average of 10.34 ±0.26

MHz). As the backing impedance becomes greater than 7.0 MRayls, the double-layer

52-µm-thick PVDF operates in _/4 mode (average of 4.9 ±0.06 MHz). When a backing

impedance is between the two acoustic impedance values (3.0 – 7.0MRayls), the double-layer

52-µm-thick PVDF operates in both _/2 and _/4 modes (between 5 and 10 MHz). The

backing impedance also affects the operating frequency bandwidth. Figure 4.9 (c) shows

the -3-dB bandwidth percentage of the CL at the corresponding operating frequency. The

_/2 operating mode (with a backing of near-zero acoustic impedance) has the narrowest

bandwidth of approximately 40.7%, where the _/2 operating mode (with a backing of very

high acoustic impedance) has a broader bandwidth of approximately 85%. The operating

modes in both _/2 and _/4 results in a very broad bandwidth of more than 100%. The main

consideration of the operating modes is the conversion efficiency of the double-layer PVDF

sensor. In Figure 4.9 (d), the CL minima for the double-layer PVDF sensor operates in both

_/2 and _/4 modes in the range of 14 dB compared to 6.97 dB for the impedance backing of

near-zero (air backing). The backing of very high impedance causes the double-layer PVDF

to operate at a lower frequency (_/4 mode) with broader frequency bandwidth; however, it

would be at the cost of a larger CL at a range of 10 – 12 dB.

The effect of the backing on the double-layer PVDF is discussed by analyzing the

CL parameter in Figure 4.9. In order to study the effect of the backing material on the

operating frequency and the strength of the ultrasound signal, the acoustic output power is

calculated using four different types of backing: air (427 Rayls), Spurr’s epoxy (2.4 MRayls),
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Figure 4.9: The effect of the backing acoustic impedance on the ultrasonic performance of
the double-layer PVDF sensor. The CL parameter of the double-layer 52-µm-thick
PVDF sensor is computed as a function of the backing acoustic impedance of 0 – 30
MRayls. The structural configuration of the simulation (a) and the operating frequency
(b), operating frequency bandwidth (c), and CL value at the operating frequency (d)
are shown.
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PVDF (4.02 MRayls), and aluminum (17 MRayls) with the sensor configuration shown in

Figure 4.10 (a). The acoustic properties of the materials used in the numerical simulations

are given in Table 4.2. Figure 4.10 (b) shows the acoustic power of the double-layer

52-µm-thick PVDF using four different types of backing material where the input voltage

and active ultrasound area are assumed to be 1 V and 4 cm2, respectively. The substantial

reduction of the acoustic power from 3.9 mW at the operating frequency in the case of air

backing to 0.93 mW and lower in the cases of Spurr’s epoxy, PVDF, and aluminum backing

materials is observed. The reduction of the acoustic power is due to the increase of CL, as

shown in Figure 4.10 (c), for the cases of Spurr’s epoxy, PVDF, aluminum backing materials.

For a backing material of the same impedance as the PVDF (4.02 MRayls), the double-layer

PVDF sensor has the lowest acoustic power of 0.51 mW at the operating frequency due to

the weak resonance in both _/2 and _/4 modes. This result shows that the mass-loading on

the back of the double-layer PVDF substantial decreases the transmitted acoustic power. The

improvement of the PVDF piezoelectric signal strength is the main objective of designing

the WUS. Therefore, it would be preferable to design the double-layer PVDF WUS in an

air-back configuration to achieve the maximum possible acoustic power from the applied

voltage.

In the simulation of Figure 4.9 and Figure 4.10, the four types of backing are assumed

as a backing medium (infinite thickness). In the operational environment of the proposed

double-layer PVDF WUS application, the WUS would be exposed to air at the back side.

Although, the construction of the double-layer PVDF WUS requires packaging layers in

order to bind and protect the WUS structure. The packaging layers would be an intervening

layer between the backing medium (air) and the back side of the double-layer PVDF. Sherar

and Foster [151] have noted the difficulty in constructing an air-backed PVDF sensor and

suggested the use of a low acoustic impedance material such as Spurr’s epoxy (2.4 MRayls)
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Figure 4.10: The effect of the backing acoustic impedance on the transmitted ultrasound of
the double-layer 52-µm-thick PVDF. The acoustic output power and CL are computed
for four types of backing: air (427 Rayls), Spurr’s epoxy (2.3 MRayls), PVDF (4.02
MRayls), and aluminum (17 MRayls). The structural configuration of the simulations
(a), the acoustic output power (b), and CL (c) are shown. ZB is the acoustic impedance
of the backing (MRayls). Surface area = 4 cm2 and input voltage = 1 V are assumed.
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with sufficient thickness as an alternative approach. Even though the Spurr’s epoxy has a

relatively low acoustic impedance, the simulation in Figure 4.10 (b) shows the substantial

reduction of the acoustic power compared to the air backing. Also, the addition of a thick

Spurr’s epoxy layer might increase the thickness and decrease the flexibility of the WUS.

A packaging approach by using a polyimide film with an adhesive was found to be well

suited for designing the WUS in the previous study [70]. The polyimide films with adhesive

are available in relatively thin layers, such as 13-µm-thick polyimide and 25-µm-thick

silicone adhesive layers. The selection of the polyimide film with adhesive as packaging

provides a thin and flexible profile, good isolation, strong adhesion, and simplicity of

construction. However, the polyimide and adhesive layers negatively affect the operating

frequency and bandwidth of the double-layer PVDFWUS. Figure 4.11 shows the simulation

of an air-backed double-layer 52-µm-thick PVDF and a double-layer 52-µm-thick PVDF with

a 13-µm- thick polyimide layer and a 25-µm-thick silicone adhesive layer on the back side.

The polyimide and silicone adhesive layers cause the double-layer 52-µm-thick PVDF to

operate in two frequencies of 6.1 MHz and 11.4 MHz with a narrower bandwidth (FWHM)

of 5.3 – 6.5 MHz (19.4%) and 10.1 – 11.4 MHz (24.1%), respectively. In comparison, the

air-backed double-layer 52-µm-thick PVDF (without the packaging layers of the polyimide

and silicone adhesive) operates at a single frequency of 10.7 MHz with a bandwidth (FWHM)

of 8.8 – 12.5 MHz (35%). For the WUS application of muscle contraction measurement, a

single operating frequency and broader bandwidth are desirable to obtain short ultrasonic

pulses.

The necessity of the packaging layers in the construction of WUS provided the impetus

for finding an approach to isolate the mass-loading of the packaging layers without impeding

the WUS flexibility or increasing its thickness. This thesis research proposes the approach

of isolating the mass-loading effect of the packaging layers by creating an air gap between
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the back side of the double-layer PVDF and the packaging layers (the polyimide adhesive

tape). This approach takes advantage of the natural damping of the PVDF without the

requirement of the backing layer to dampen its reverberation due to the large internal losses.

While in the case of the piezoceramic materials, a backing layer is required to achieve a

broadband response. Also, a minimal gap of air in the order of one micrometer would

be sufficient to create a total reflection that prevents the unwanted ultrasonic reflection on

the back side within the packaging layers due to the very low acoustic impedance of air

(427 Rayls). Figure 4.12 shows the calculated acoustic power and CL parameters of the

double-layer 52-µm-thick PVDF with 1 µm-thick air gap on the back side between the PVDF

layers and the packaging layers. The acoustic power and CL curves are matched to those of

the double-layer 52-µm-thick PVDF without the packaging layers. Hence, the numerical

simulation showed that creating an air gap of few micrometers on the back side makes the

double-layer PVDF effectively air-backed, and the packaging layers would not affect the

double-layer PVDF performance, assuming that the vibration magnitude of the PVDF is less

than 1 µm in the thickness-extensional mode of ultrasound generation.

To conclude, the backing medium/material of the double-layer PVDF would cause a

shift in the operating frequency to a lower range and increase the bandwidth of the operating

frequency depending on the acoustic impedance of the backing medium. As the acoustic

impedance of the backing becomes close to that of the PVDF, the double-layer PVDF sensor

would have the largest CL and broadest frequency bandwidth due to the weak resonance in

both _/2 and _/4 modes. With a backing of high acoustic impedance, the double-layer PVDF

would operate in _/4 frequency with relatively large CL which would lead to approximately

four times less acoustic output power in comparison to the air-backed double-layer PVDF

(_/2 operating mode). The requirement of a higher electromechanical conversion efficiency

and acoustic output power of the PVDF ultrasonic sensor outweighs the preference of broad
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frequency bandwidth. In addition, the need for the packaging layers increases the difficulty

in the construction of an air-backed PVDF ultrasonic sensor. This thesis research proposes

the creation of an air gap between the packaging layers and the back side of double-layer

PVDF to address the mass-loading of the packaging layers. Thus, a double-layer PVDF

WUS that operates at the maximum ultrasonic intensity could be achieved.

4.2.4 Effect of Electrode Layers

Electrode layers are an electrically conductive layer on both sides of each PVDF layer (top

and bottom). The electrode materials generally have higher acoustic impedance compared

to the PVDF. The low melting and Curie temperatures of the PVDF prevent the use of

the common electroding techniques of the piezoceramics [72]. Sputtered electroding and

conductive metal-based ink may be a common electroding method available for PVDF. The

sputtered electroding of gold or copper-nickel offers low mass loading due to its minimal

thickness (∼ 10 – 80 nm). However, the brittle profile, low operating voltage, and poor

adhesion to PVDF of the sputtered electrodes may limit their suitability for flexible PVDF

ultrasonic sensors.

On the contrary, conductive metal-based inks, such as silver ink, would be a more suitable

option for the flexible PVDF ultrasonic sensor due to their high flexibility, excellent adhesion,

high conductivity, and higher operating voltage. The electroding of printed silver ink is

much thicker (6 – 10 µm), which would acoustically load the PVDF [72, 211]. Therefore,

the mass-loading of a thick layer of the electrode must be characterized to understand the

effect of the double-layer PVDF performance. The studies in [72, 151, 211] have discussed

the effect of the electrode on the single-layer PVDF. However, to the best of the author’s

knowledge, the electrode layers’ effect on the double-layer PVDF has not been studied yet.
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Figure 4.11: The effect of the packaging on the ultrasonic performance of the double-layer
PVDF. The acoustic output power and CL are calculated for the double-layer 52-
µm-thick PVDF with and without the packaging layers of a 13-µm-thick polyimide
layer and a 25-µm-thick silicone adhesive layer on the back side. The structural
configuration of the simulation (a), the acoustic power (b), and CL (c) are shown.
Active ultrasound area = 4 cm2 and input voltage = 1 V are assumed.
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Figure 4.12: The isolation of the packaging effect on the ultrasonic performance of the
double-layer PVDF by creating an air gap. The acoustic power and CL are calculated
for double-layer 52-µm-thick PVDF with 1 µm air gap on the back side between the
PVDF layers and the packaging layers of polyimide and silicone adhesive (13-µm-thick
polyimide layer and 25-µm-thick silicon adhesive layer), and, for comparison, the
double-layer 52-µm-thick PVDF only. The structural configuration of the simulation
(a), the acoustic power (b), and the CL (c) are shown. Active ultrasound area = 4 cm2

and input voltage = 1 V are assumed.
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Figure 4.13: Illustration of the inner and outer electrode layers of the double-layer PVDF.

The double-layer PVDF WUS would have four electrode layers: two inner electrode layers

and two outer electrode layers, as shown in Figure 4.13. In order to investigate the effect of

the electrode layers, the inner and outer electrode layers are first investigated separately and

then combined.

In the following, the effect of only the inner electrode layers is investigated here excluding

the outer electrode layer. The effect of inner electrode layers on the ultrasonic performers

is illustrated in Figure 4.14. The figure shows the calculated acoustic power and CL of a

double-layer 52-µm-thick PVDF sensor with two 10 µm-thick inner electrode layers (total

of 20 µm). Three types of the electrode materials are simulated to represent the typical

acoustic impedance range of the silver electroding materials: 5.15 MRayls (silver epoxy),

12.24 MRayls (sliver ink), 38.16 MRayls (silver).

The acoustic impedance of the electrode would have a different degree of impact. The

electrode of a higher acoustic impedance (38.16 MRayls) shows a minimal effect as it causes

nearly no shift in the operating frequency and a slight decrease in the acoustic power (by

0.2 mW), as shown in Figure 4.14 (b) and (c). In contrast, the electrode of relatively low

acoustic impedance (5.15 MRayls) shows a larger effect on lowering the operating frequency

from 10.7 MHz to 9.1 MHz and increasing CL from 6.98 dB to 7.5 dB. The shift in the

operating frequency and the increase of the CL causes a reduction of the acoustic power from
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Figure 4.14: The effect of the inner electrode layer acoustic impedance on the ultrasonic
performance of the double-layer PVDF sensor. The acoustic power and CL are
calculated for the double-layer 52-µm-thick PVDF with a 10-µm-thick inner electrode
layer each for three silver electrode materials: 5.15 MRayls (silver epoxy), 12.24
MRayls (sliver ink), 38.16 MRayls (pure silver). The structural configuration of the
simulation (a), the acoustic power (b), and the CL (c) are shown. Active ultrasound
area = 4 cm2 and input voltage = 1 V are assumed.



Chapter 4. Numerical Study and Design Considerations 103

3.84 mW to 2.76 mW. In general, inner electrode layers of 12.24 MRayls acoustic impedance

and higher would have a small impact as the calculated acoustic power in Figure 4.14 (b)

shows a small shift in the operating frequency to a lower range by less than 0.4 MHz and

a reduction of the acoustic power by less than 0.3 mW/V2. Also, the calculated CL in

Figure 4.14 (c) shows a small increase of less than 0.2 dB.

In addition, it is important to investigate the influence of the electrode thickness. As

the electrode material of interest for a PVDF ultrasonic sensor is silver ink, the operating

frequency, frequency bandwidth percentage, maximum acoustic power and minimum CL at

the operating frequency of the double-layer 52 µm-thick PVDF are computed as a function

of the thickness of inner silver ink electrode layers (12.24 MRayls). The results are presented

in Figure 4.15. The nearly linear relation between the inner electrode thickness and the

corresponding parameters can be observed from the curves in Figure 4.15 (b), (d), and

(e) . For a 1 µm increase of each inner electrode layer thickness, the operating frequency,

acoustic power, and CL are changed by approximately -0.033 MHz, -0.028 mW, and 0.017

dB, respectively. Regarding the frequency bandwidth, the inner electrode layer of silver ink

slightly narrows the bandwidth from 35% to 33.7% at the 10-µm-thick electrode layer and to

31.8 % at the 20-µm-thick electrode layer. The impact of the inner electrode layers (of a

thickness of up to 10 µm per layer) could be considered negligible on the double-layer 52-µm

PVDF WUS when their acoustic impedance is relatively much higher than the acoustic

impedance of a PVDF such as silver ink (12.24 MRayls).

In the following, the effect of only the outer electrode layers is investigated excluding the

inner electrode layers. Similarly to the inner electrode effect simulation, the three types of

silver electrode materials are considered. Figure 4.16 shows the calculated acoustic power

and CL for double-layer 52-µm-thick PVDF with a 10-µm-thick layer on each of the outer

electrodes. Contrary to the effect of the inner electrode layers, an electrode of higher acoustic
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Figure 4.15: The effect of the inner electrode layers thickness on the ultrasonic performance
of the double-layer PVDF. The operating frequency, bandwidth, acoustic power,
and CL are computed for the double-layer 52-µm-thick PVDF as a function of the
individual layer thickness (0 – 25 µm) of silver ink (12.24 MRayls) inner electrode.
The structural configuration of the simulation (a), operating frequency (b), frequency
bandwidth (c), maximum acoustic power (d), and minimum CL (e) are shown. Active
ultrasound area = 4 cm2 and input voltage = 1 V are assumed.
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impedance would have a higher impact than an electrode of lower acoustic impedance. The

10-µm-thick layer of silver (38.16 MRayls) causes a higher operating frequency shift from

10.7 MHz (without electrode case) to 5.5 MHz and narrows the bandwidth from 35% (no

electrode case) to 27 %. While the silver ink (12.24 MRayls) and silver epoxy (5.15 MRayls)

cause the double 52-µm-thick PVDF to operate at 7.9 MHz and 8.3 MHz with bandwidths

of 34.8% and 32.9%, respectively, as shown in Figure 4.16 (b). The outer electrode layers

show the interesting effect of decreasing the CL (increasing the conversion efficiency). The

CL values at the operating frequency decreased from 6.84 dB (no electrode case) to 6.23 dB,

6.41 dB, and 6.52 dB for the silver, silver ink, and silver epoxy, respectively, as shown in

Figure 4.16 (c). The acoustic power of the double-layer 52-µm-thick PVDF decreases as the

operating frequency shifts to the lower range. This is due to the higher electric impedance of

double-layer PVDF at a lower frequency. The silver ink (12.24 MRayls) and silver epoxy

(5.15 MRayls) reduces the acoustic power at the operating frequency of the double-layer

52-µm-thick PVDF by approximately 0.4 mW. In comparison, the silver electrode layers

(38.16 MRayls) have a greater acoustic power reduction of 1.15 mW due to the larger

operating frequency shift.

To study the influence of the thickness of outer electrode layers, the operating frequency,

bandwidth, acoustic power, and CL of the double-layer 52-µm-thick PVDF are computed as

a function of the thickness of the outer layer of the silver ink electrode (12.24 MRayls), as

shown in Figure 4.17. Figure 4.17 (b) shows that the increase of the outer electrode layer

thickness causes a greater shift in the operating frequency to the lower range. For instance,

the 25-µm-thick outer electrode layers of silver ink shift the operating frequency of the

double-layer 52-µm-thick PVDF by nearly half (6 MHz). At the same time, the frequency

bandwidth narrows as the outer electrode layer becomes more than 4-µm-thick, as shown

in Figure 4.17 (c). Although, the impact on the frequency bandwidth might be considered
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small as the bandwidth narrowed from 35% (no electrode case) to 29% (at the 25-µm-thick

electrode layer). The acoustic power shows a nearly linear decrease by approximately 0.043

mW per a 1-µm increase of each outer electrode layer thickness, as shown in Figure 4.17 (d).

Also, the CL shows a continuous decrease of 0.57 dB and 0.74 at the outer electrode layer

thickness of 10 µm and 25 µm, respectively, as shown in Figure 4.17 (e). The CL curve

shows that the decreasing rate of the CL becomes smaller as the thickness increases.

As the effects of the inner and outer electrode layers were discussed separately, now

the combined effect of the inner and outer electrode layers is investigated. In Figure 4.18,

the operating frequency, frequency bandwidth, acoustic power, and CL of the double-layer

52-µm-thick PVDF are computed as a function of the thickness of inner and outer electrode

layers. It can be observed that the impact of the outer electrode layers is more dominant

as the electrode of a higher acoustic impedance has a more substantial effect, as shown

in Figure 4.18 (b), (c), and (e). The electrode layers would have a substantial effect on

lowering the operating frequency where silver ink electrode layers of 10-µm-thick shift the

operating frequency from 10.7 MHz to 7.8 MHz, as shown in Figure 4.18 (b). Also, the

frequency bandwidth narrows as the operating frequency shifts further to a lower range due

to the electrode layer thickness increase, as shown in Figure 4.18 (c). For Figure 4.18 (d),

the decrease of the acoustic power can be understood since the electric impedance is higher

at a lower frequency (as shown in Figure 4.5). The CL at the operating frequency shows a

decrease before it begins to increase, as shown in Figure 4.18 (e). In addition, the silver ink

shows a minimal impact in comparison to the electroding of silver and silver epoxy.

It may be concluded that the four electrode layers of the double-layer PVDF impact

the WUS performance by shifting the operating frequency to a lower range, narrowing the

frequency bandwidth, and decreasing the CL. The acoustic power of the double-layer PVDF

WUS would be decreased due to the operating frequency shift. Also, electrodes of very high
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Figure 4.16: The effect of the outer electrode layers on the ultrasonic performance of
the double-layer PVDF sensor. The acoustic power and CL are calculated for the
double-layer 52-µm-thick PVDF with a 10-µm-thick outer electrode layer each for
three silver electrode materials: 5.15 MRayls (silver epoxy), 12.24 MRayls (sliver
ink), 38.16 MRayls (silver). The structural configuration of the simulation (a), the
acoustic power (b), and the CL (c) are shown. Active ultrasound area = 4 cm2 and
input voltage = 1 V are assumed.
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Figure 4.17: The effect of the outer electrode layers thickness on the ultrasonic performance
of the double-layer PVDF sensor. The parameters are computed for the double-layer
52-µm-thick PVDF as a function of the individual layer thickness (0 – 25 µm) of silver
ink (12.24 MRayls) outer electrode. The structural configuration of the simulation (a),
operating frequency (b), frequency bandwidth (c), maximum acoustic power (d), and
minimum CL (e) are shown. Active ultrasound area = 4 cm2 and input voltage = 1 V
are assumed.
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Figure 4.18: The effect of the inner and outer electrode layers thickness on the ultrasonic
performance of the double-layer PVDF sensor. The parameters are computed for the
double-layer 52-µm-thick PVDF as a function of the thickness of each electrode layer
(0 – 25 µm). It is calculated for electrode materials of 5.15 MRayls (silver epoxy),
12.24 MRayls (sliver ink), 38.16 MRayls (silver). The structural configuration of the
simulation (a), operating frequency (b), frequency bandwidth (c), maximum acoustic
power (d), and minimum CL (e) are shown. Active ultrasound area = 4 cm2 and input
voltage = 1 V are assumed.
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acoustic impedance, such as silver, substantially affect the double-layer PVDF WUS. The

silver ink electrode of 12.24 MRayls acoustic impedance range would have a less impact

overall. An air-backed double-layer 52-µm-thick PVDF with silver ink electrode layers

with a thickness of 1-10 µm would have an acoustic power range of 3.8 – 3.25 mW and an

operating frequency in the range of 10.28 – 7.8 MHz with bandwidth range of 35—32.5%.

Thus, the silver ink is considered an excellent electrode choice. It offers more flexibility and

has a small overall negative impact on the ultrasonic performance of the double-layer PVDF

WUS.

4.2.5 Effect of Bonding Layer

The double-layer PVDF configuration is constructed by bonding two PVDF layers using

an adhesive material such as epoxy resin. For the double-layer PVDF WUS, the bonding

layer would be sandwiched between the two adjacent inner electrode layers of the PVDF

as each PVDF layer has top and bottom electrode layers. Thus, the double-layer PVDF

WUS would have an intervening layer between the inner electrode layers known as the

bonding layer. In the previous sections, the double-layer PVDF and the electrode layers were

characterized excluding the effect of the bonding layer. In addition, it is advantageous to

connect both inner electrode layers, those on the top and the bottom of the bonding layer,

to the common electrical terminal in order to avoid unnecessary voltage drop within the

bonding layer, as shown in Figure 3.6 (Chapter 3). Therefore, the bonding layer is a pure

mechanical loading between the two PVDF layers with no voltage drop between its top and

bottom surface or current flow through its thickness. It is important to characterize the

bonding layer effect on the performance of the double-layer PVDF sensor to help determine

the preferable properties of the bonding layer. Since the bonding layer is a pure mechanical
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layer, the acoustic impedance and the thickness of the bonding layer would be the contributing

factors affecting the ultrasonic performance of the double-layer PVDF sensor. The effect of

the bonding layer would be characterized for an air-backed double-layer PVDF sensor since

it is the preferred backing approach, as discussed in the previous section (Section 4.2.3).

In order to understand the effect of the bonding layer, the simulations of the bonding layer

effect on the double-layer PVDF sensor in this section are assumed without any electrode

layers as the effect of the electrode layers were discussed separately in Section 4.2.4.

The bonding layer is expected to impact the double-layer PVDF sensor performance

similarly to the inner electrode layers since they are placed between the two PVDF layers.

To investigate the effect of the bonding layer in detail, the acoustic impedance, the operating

frequency, bandwidth, acoustic power, and CL of the double-layer PVDF are calculated for

a different adhesive material at a constant thickness first. The bonding layer thickness of

7.5 µm is used as an example to investigate the effect of acoustic impedance effect on the

bonding layer since it is the thickness of interest in the double-layer PVDFWUS construction

(a detailed explanation is given in the following chapter). In Figure 4.19, an air-backed

double-layer 52-µm-thick PVDF with a 7.5 µm-thick bonding layer is simulated for five types

of adhesive materials: 1.07 MRayls (Sylgard), 2.4 MRayls (Spurr’s epoxy), 3.04 MRayls

(Araldite 10phe), 6.18 MRayls (Araldite 50phe), and 11.7 MRayls (Ecosorb). The five

adhesive materials are chosen to represent the broad acoustic impedance range of common

adhesive materials. Figure 4.19 (b) and (c) show that the bonding layer shifts the operating

frequency to the lower range and increases the CL, causing the reduction of the acoustic

power. The impact of the bonding layer has shown to be related to the acoustic impedance of

the adhesive material. The lower the acoustic impedance of the bonding material, the larger

the impact on the operating frequency, acoustic output power, and CL. For the 7.5-µm-thick

bonding layer, a bonding material of very low acoustic impedance (1.07 MRayls) shifts the
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operating frequency from 10.7 MHz to 6.8 MHz and increases the CL value at the operating

frequency from 6.98 dB to 8.71 dB, where a bonding material of high acoustic impedance

(11.7 MRayls) shifts the operating frequency to 10.5 MHz and increases the CL value at the

operating frequency to 7.07 dB. For the acoustic output power, the 1.07-MRayls bonding

material causes a substantial reduction from 3.84 mW to 1.5 mW in comparison to the

11.7-MRayls bonding material that reduces the acoustic power to 3.7 mW. The bonding

materials of acoustic impedance values between 2.4 – 6.18 MRayls have a relatively small

impact in shifting the operating frequency, reducing acoustic power, and increasing CL by

-1.2 – -0.5 MHZ, -0.74 – -0.34 mW, and 0.3 – 0.13 dB, respectively.

In order to study the effect of the bonding layer thickness, the five types of bonding

materials are calculated for the double-layer PVDF as a function of the bonding layer

thickness of 0 – 25 µm. Figure 4.20 shows the calculated operating frequency, bandwidth,

maximal acoustic power, and minimal CL of the double-layer 52-µm-thick PVDF as a

function of the bonding layer thickness. As the bonding layer thickness increases, the

operating frequency of the double-layer PVDF shifts to the lower range with narrower

bandwidth, and the CL increases. The lowering of operating frequency and increasing of

CL cause the reduction of the acoustic power. The thicker bonding layer would have a

larger impact, and a bonding material of a higher acoustic impedance would have a smaller

effect as the thickness of the bonding layer increases. For instance, the 25-µm-thick bonding

layer of 1.07 MRayls, 2.4 MRayls, and 6.18 MRayls reduced the acoustic power from

3.84 mW to 0.38 mW, 1.9 mW, and 2.8 mW, respectively, as shown in Figure 4.20 (d).

In addition, the 1.07-MRayls bonding material shows a larger effect than the 2.4-MRayls

and 6.18-MRayls materials. Therefore, the adhesive materials of acoustic impedance in

the range of 1 MRayls should be avoided due to their substantial impact on the ultrasonic

performance of the double-layer PVDF. The frequency bandwidth of the double-layer PVDF



Chapter 4. Numerical Study and Design Considerations 113

Figure 4.19: The effect of the acoustic impedance of the bonding layer on the ultrasonic
performance of the double-layer PVDF sensor. The acoustic power and CL are
calculated for the double-layer 52-µm-thick PVDF with a 7.5-µm-thick bonding layer
of five types of adhesive materials: 1.07-MRayls Sylgard, 2.4-MRayls Spurr’s epoxy,
3.04-MRayls Araldite 10phe, 6.18-MRayls Araldite 50phe, and 11.7-MRayls Ecosorb.
The structural configuration of the simulation (a), the acoustic power (b), and the CL
(c) are shown. Active ultrasound area = 4 cm2 and input voltage = 1 V are assumed.
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with the 1.07-MRayls bonding material is observed to increase as the bonding layer thickness

becomes thicker than 6 µm, as shown in Figure 4.20 (c). This might be due to the tendency

of the double-layer PVDF to operate in _/4 mode.

To summarize, the bonding layer negatively affects the conversion efficiency and

consequently reduces the acoustic output power of the double-layer PVDF sensor. In

addition, the selection of an adhesive material of higher acoustic impedance and a reduction

in thickness of the bonding layer would be preferred in order to minimize the impact of the

bonding layer. A bonding layer of low acoustic impedance (range of 1 MRayls) substantially

reduces the ultrasonic signal strength of the double-layer PVDF WUS; therefore, it should

be avoided.

Furthermore, for the conducted numerical simulation study it can be concluded that a

double-layer 52-µm-thick PVDF sensor with a bonding layer of 10-µm and thinner and an

adhesive material of Spurr’s epoxy (2.4 MRayls) would have approximately three times or

higher acoustic output power (2.86 mW) in comparison to a single-layer 104 µm-thick PVDF

of the equivalent total PVDF thickness (0.97 mW).
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Figure 4.20: The effect of the bonding layer thickness on the double-layer PVDF. The
operating frequency, bandwidth, acoustic power, and CL are calculated for the double-
layer 52-µm PVDF as a function of the thickness of the bonding layer. Five types of
adhesive materials are assumed: 1.07-MRayls Sylgard, 2.4-MRayls Spurr’s epoxy,
3.04-MRayls Araldite 10phe, 6.18-MRayls Araldite 50phe, and 11.7-MRayls Ecosorb.
The structural configuration of the simulation (a), operating frequency (b), frequency
bandwidth (c), maximum acoustic power (d), and minimum CL (e) are shown. Active
ultrasound area = 4 cm2 and input voltage = 1 V are assumed.
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4.3 Design Considerations of Double-Layer PVDF WUS

The WUS design should meet the desired characteristics for the application of muscle

contraction monitoring, such as the operating frequency, ultrasound signal strength, sensor

flexibility, and small size. In general, the ultrasound performance of the double-layer PVDF

WUS, such as operating frequency, bandwidth, acoustic output power, and conversion loss,

mainly depends on its physical structures. These physical structures include the PVDF layer

thickness, active ultrasound area, double-layer PVDF configuration, backing, bonding layer,

and electrode layers. In the previous section, the effects of these physical structures on

the ultrasound performance of the double-layer PVDF WUS were studied. This section

discusses the considerations, approaches, and material selection for the double-layer PVDF

WUS design based on the numerical simulation study presented in Section 4.2.

4.3.1 Double-Layer PVDF Arrangement Considerations

As discussed in Section 4.2.2, the weak piezoelectricity of the PVDF requires special

consideration to improve the transmitting acoustic power. The numerical simulation in

Figure 4.5 shows that the configuration of two PVDF layers that are electrically in parallel

and acoustically in series improves the ratio of acoustic output power to the input electric

voltage of the PVDF ultrasonic sensor by a factor of nearly four. Therefore, the use of the

double-layer configuration PVDF instead of a single-layer PVDF in the construction of the

PVDF WUS would increase the transmitted ultrasound signal strength and consequently

increases the SNR of the received ultrasound signal.

In addition, the operating frequency of the double-layer PVDF configuration is shown

to be dependent on the arrangement of the polarization directions of the two PVDF layers.
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The parallel polarization directions would resonate equivalently to a single-layer PVDF of

the total thickness (lower operating frequency). In contrast, the antiparallel polarization

directions would resonate equivalently to a single-layer PVDF of individual PVDF layer

thickness (higher operating frequency).

For the double-layer PVDF WUS design, achieving the required operating frequency

range with minimum thickness for mechanical flexibility is desirable. Also, thinner PVDF

films have the additional advantage of higher polarity due to the difficulty of poling thicker

PVDF films. The poling process is one of the main procedures in the making of piezoelectric

PVDF film. A high electric field is applied during the poling process in order to obtain

aligned PVDF crystallites [212]. The difficulty in poling thick PVDF films is due to the

high electric field requirement in the range of 500 – 700 kV/cm [213, 214]. Thus, the

thinner PVDF film in the double-layer configuration would have better ultrasound signal

strength than the single-layer of a thicker PVDF film due to the higher polarity. Therefore, a

double-layer PVDF sensor that is electrically parallel with their polarization directions in

parallel would be the preferred design for the WUS due to the higher acoustic power and

minimal PVDF thickness. Using more PVDF layers (multiple-layer PVDF configuration)

could further increase the acoustic power ratio to the input electric voltage but impose more

practical challenges of electrically interconnecting and adhering the individual PVDF layers

with thin and uniform bonding layers.

4.3.2 PVDF Film Thickness and Active Ultrasound Area Selection

As discussed in Section 4.2.1, the operating frequency is inversely proportional to the

thickness of the PVDF film. Thus, the thinner the PVDF layer, the higher the operating

frequency of the PVDF. The selection of the PVDF layer thickness is determined by the
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required frequency range of the ultrasound. Ultrasound frequencies in diagnostic medical

imaging range from approximately 2.5 MHz to 15 MHz [148, 193]. In general, the choice of

ultrasound frequency is dictated by the trade-off between the spatial resolution along the

depth and the penetration depth. A higher frequency provides a higher spatial resolution, but

the attenuation is greater since it increases with ultrasound frequency. For musculoskeletal

ultrasound imaging, the ultrasound frequencies of 5-8 MHz are commonly used [215–219].

Therefore, such an ultrasound frequency range would be adequate for the WUS to measure

muscle thickness changes. In addition, the minimum thickness of the PVDF layer should

be considered in order to minimize the overall thickness of the WUS for the mechanical

flexibility.

From Figure 4.2 and Eq. 4.1, the individual PVDF layer thickness of 50 – 125 µm for

the double-layer PVDF with parallel polarization directions would resonate at 11.1 – 4.4

MHz. Taking into consideration the bonding and the electrode layers effect in shifting the

operating frequency to the lower range as discussed in Section 4.2.5 and Section 4.2.4, the

double-layer PVDF WUS of 50 – 60 µm-thick PVDF layer would be expected to operate at

7.2 – 6.4 MHz. In this thesis, the selection of the PVDF film thickness would be subject to

its commercial availability from the vendors. TE Connectivity Ltd. (formally Measurement

Specialties Inc., Berwyn, PA, USA) offers PVDF piezoelectric film sheet with printed silver

ink electrode layers on each side of the film. The PVDF film sheet from TE Connectivity is

available in a thickness of 28 µm, 52 µm, and 110 µm. Therefore, the 52-µm-thick PVDF

with silver ink electrode is selected for constructing the double-layer PVDF WUS due to the

operating frequency range, minimum thickness, and availability from local vendors.

The overlap electrode area between the top and bottom electrode layers of the PVDF

layers determines the ultrasonic sensing area of the WUS. The selection of the ultrasonic

sensing area is subject to the ultrasonic signal strength of the double-layer PVDF WUS and
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the measurement of the area of interest. The larger the active surface area of the PVDF layers,

the higher the ultrasonic signal strength (acoustic output power) of the WUS. However, the

ultrasonic sensing area should not be larger than the measured area of interest. As one of the

advantages of the PVDF piezoelectric polymer film is the ease of fabrication in the desired

size, the ultrasonic sensing area of the WUS can be selected based on the size of the muscle

of interest. For the conducted measurements of muscle contraction in this thesis research,

the ultrasonic sensing area of 20 mm × 20 mm has been chosen.

4.3.3 Electrode and Electrical Connection Considerations

The first consideration of the electrical connections to electrodes is the separation of the

active ultrasonic area from the lead attachment area in order to avoid the mass-loading of the

lead attachment area on the ultrasonic performance. Therefore, the surface area of the PVDF

layer is extended to take into account the lead attachment area, as shown in Figure 4.21.

The PVDF layer surfaces on both sides are separated into an active ultrasonic area and an

interconnection area. The electrode layers on the top and bottom of the active ultrasonic area

are overlapped where there is no overlapping between the top and bottom electrode layers at

the interconnection area.

Another consideration is the complexity of the lead attachment to the four electrode layers

of the double-layer PVDFWUS. In order to simplify the lead attachments, the inner electrode

layers are connected to the common electrical lead. The common lead attachment provides

the advantage of one lead attachment for both inner electrode layers at the interconnection

area. In addition, the outer electrode layers should be connected to the ground terminal to

serve as the grounded shielding protection.

The lead attachment technique also requires special consideration as direct soldering
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Figure 4.21: A schematic of the active ultrasonic area and interconnection area of a single
PVDF layer.

cannot be used due to the low melting and Curie temperature of the PVDF. This imposes the

need for an alternative attachment method, such as the use of conductive epoxy. The lead

attachment for the double-layer PVDF WUS will be further discussed in the next chapter.

Furthermore, silver ink would be preferred as an electrode material for the PVDF due to

its flexibility, high conductivity, and high operating voltage, as discussed in Section 4.2.4.

Therefore, the PVDF film with silver ink electrodes is employed for constructing the WUS.

4.3.4 Bonding of the Two PVDF Layers Considerations

Adhering two PVDF layers demands careful consideration. The mass-loading due to the

large thickness of the bonding layer would negatively affect the WUS performance. Thus,

the bonding layer thickness should be minimized, as discussed in Section 4.2.5. Also, an

adhesive material of relatively low acoustic impedance (range of 1 MRayls) has shown to

have a substantial impact on the double-layer PVDF performance; therefore, adhesives of
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low acoustic impedance should be avoided. In addition, the flexible profile of the WUS

should be taken into account during the selection of adhesive material for the bonding.

Another important consideration is the uniformity of the bonding layer thickness between

the two PVDF layers since the double-layer PVDF should ideally be parallelly aligned. This

imposes a practical difficulty [72] and the need for an addressed technique of bonding the

two PVDF layers, which will be discussed in the following chapter regarding the construction

of the double-layer PVDF WUS. Epoxy adhesives, among other types of adhesive materials,

could be an excellent choice. There are a wide range of epoxy adhesives that offer desirable

features such as good adhesion, low viscosity before curing, and flexibility after curing.

Brown [220] reported the construction of a double-layer 110 µm-thick PVDF ultrasonic

sensor using an epoxy resin as a bonding layer. The constructed double-layer PVDF sensor

by [220] showed a superior ultrasonic signal strength with a bonding layer thickness of 4 µm.

In practice, it can be difficult to achieve a very thin (∼ 1 µm) and an ideally uniform bonding

layer. Alternatively, the quality of the bonding layer (thickness and uniformity) could be

evaluated by comparing the ultrasonic signal strength to the single-layer PVDF of equivalent

total PVDF layer thickness.

4.3.5 Acoustic Insulation and Packaging Considerations

The construction of the double-layer PVDFWUS requires the need for an additional layer

to pack the WUS structure and to provide protection and electrical insulation. The thin and

flexible profile of the WUS, good isolation and the simplicity of construction should all be

taken into consideration when selecting the packaging method/material. Several packaging

methods and materials for the PVDF ultrasonic sensor were discussed in [70]. A polyimide

film as an adhesive tape was found to be the most suitable choice. The polyimide film with
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silicone adhesive as a packaging of the double-layer PVDF WUS provides desirable features

such as flexibility, good adhesion, and ease of application. In addition to the adhesive

polyimide layer, housing the double-layer PVDF WUS in a thin, flexible metal layer such as

aluminum/brass foil would provide electromagnetic (EM) noise shielding to the WUS. Thus,

the packaging of the double-layer PVDF WUS would consist of an adhesive polyimide film

and flexible metal foil layers for protection and EM shielding.

One of the important considerations in constructing the packaging layers is the acoustic

loading on the back side of the double-layer PVDF WUS, which could negatively affect

the ultrasonic performance. In this thesis work, the isolation of the acoustic loading of the

packaging layers is proposed by creating an air gap between the outer electrode layer and

packaging layers on the back side of the WUS, as discussed in Section 4.2.3. Therefore, the

design of the double-layer PVDF WUS includes an acoustic insulator layer that maintains an

air gap. The air gap could be created by placing a thin layer over the active ultrasonic area of

the outer electrode layer on the back side without adhering. The details of the construction

of the insulator layer will be discussed in the following chapter detailing the construction of

the double-layer PVDF WUS.

Another consideration is the attenuation of the transmitted/received ultrasound due to

the packaging layers on the front (sensing) side of the WUS. In order to avoid ultrasonic

attenuation, the packaging layers are removed at the ultrasonic sensing area. The ultrasonic

sensing area is the active ultrasonic area of the PVDF layers that transmits/receives ultrasound.

By removing the packaging layers at the ultrasonic sensing area, the grounded electrode

layer on the front side of the WUS is in direct contact with the skin surface. This approach

takes advantage of the close matching of the PVDF to the human soft tissue.
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4.4 Double-Layer PVDF WUS Design

The double-layer PVDFWUS design is described in this section under the guidance of the

numerical simulation results in Section 4.2.3 and the design considerations in Section 4.3.

The double-layer PVDF WUS design proposed in this thesis consists of twelve layers, as

shown in the schematic of Figure 4.22. The WUS has two layers of 52-µm-thick PVDF as

a piezoelectric element. Each PVDF layer has printed silver ink electrodes on each side.

The two layers of the PVDF are arranged in antiparallel polarization directions and adhered

to the inner electrode layers by using an adhesive material as a bonding layer. The inner

electrode layers are both connected to the same active electrical terminal. Therefore, an

inversed voltage orientation is applied to the double-layer PVDF causing it to operate as

if the polarization directions were in parallel. Both the top and bottom outer electrode

layers next to the acoustic insulator layer and the ultrasonic sensing area, respectively, are

connected to the ground electrical terminal.

The entire structure of WUS is wrapped by the packaging layers except for the ultrasonic

sensing area where the ultrasound is transmitted and/or received. The packaging layers

consist of flexible metal foil and polyimide film with adhesive. The flexible metal foil

is connected to the grounded lead for EM shielding to reduce the electrical noise. The

polyimide film with the adhesive binds the WUS structure layers and provides protection

and electrical insulation. The EM shielding and protection layers are not applied to the

ultrasonic sensing area in order to avoid ultrasonic attenuation and reflection within these

layers. At the back side of the double-layer PVDF, an acoustic insulator layer is placed

without adhering between the EM shielding and the outer electrode layer. Thus, the WUS is

practically air-backed to isolate the acoustic loading of the packaging layers and eliminate

the backward ultrasonic reflection. The overall dimensions that have been selected for the
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developed double-layer PVDF WUS in this thesis research are 50 mm × 24 mm, and the

ultrasonic sensing area is 20 mm × 20 mm.

The design of the double-layer PVDF WUS in this thesis work improve the initial design

proposed in the previous work [70] in a number of aspects. The initial design of the WUS

was consisting of a 110-µm thick PVDF having a bottom and top silver ink electrode, and

a polyimide adhesive covered the entire structure of the sensor as packaging layers. The

first improvement of this thesis work design is increasing the transmitted ultrasound power

by using a double-layer PVDF configuration and removing the packaging layer from the

ultrasonic sensing area. The second addresses the undesired dual operating frequency of the

initial design by isolating the acoustic loading of the packaging layers. Lastly, the packaging

layers in this proposed design include an electromagnetic shielding of the sensor to reduce

the surrounding environmental noise.
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Figure 4.22: A schematic design of the double-layer PVDF WUS



Chapter 5

Construction and Experimental

Performance Evaluation of the

Double-Layer PVDF WUS

One of the objectives of this thesis work is to design and construct the double-layer

PVDFWUS for the monitoring of muscle contraction. This chapter presents the construction

procedure and techniques of the double-layer PVDF WUS based on the ultrasonic PVDF

sensor design presented in the previous chapter (Chapter 4). The construction procedure

of the double-layer PVDF WUS is followed by the performance evaluation. The operating

ultrasound frequency, ultrasonic signal strength, and noise interference reduction are

evaluated experimentally.

This chapter is divided into two sections; the construction procedure and the performance

evaluation of the double-layer PVDF WUS. The first section explains the construction steps

of the double-layer PVDF WUS and the approaches to overcome the practical difficulties of

bonding the two PVDF layers, attachment of the electrical wires, and the acoustic insulation

of the packaging layers. The second section deals with the evaluation of the operating

126
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ultrasound frequency, ultrasonic signal strength, and the electromagnetic (EM) shielding of

the constructed double-layer PVDF WUS.

5.1 Construction Procedure of Double-Layer PVDFWUS

This section explains the construction procedure of the double-layer PVDF WUS. The

construction procedure consists of the preparation of the PVDF layers, the bonding of the

two PVDF layers, the attachment of electrical wires, the creation of the acoustic insulation

at the back side, and the packaging of the double-layer PVDF WUS.

5.1.1 PVDF Layers Preparation

As discussed in Section 4.3.2, the PVDF film sheet (203.2 mm wide × 279.4 mm long

× 52 µm thick) in the form of a metalized sheet was selected for the construction of the

double-layer PVDF WUS (Model: 2-1004346-0, TE Connectivity Ltd., Berwyn, PA, USA).

The metalized PVDF film sheet has printed silver ink electrode layers on both surfaces (top

and bottom sides of the film). The PVDF layers are first prepared by marking the desired

dimensions and highlighting the polarization direction on the PVDF film sheet in order to

facilitate the bonding of the two layers in the antiparallel orientation of the polarization.

According to the marked lines, a piece of 100 mm × 24 mm was cut from the PVDF film

sheet. The film piece was then cut into halves to obtain the two PVDF layers with the same

dimensions of 50 mm × 24 mm , as shown in Figure 5.1. Each PVDF layer was divided

into two parts: an active ultrasound area of 20 mm × 20 mm and an interconnection area of

20 mm × 26 mm, as shown in Figure 5.1 (a).

The active ultrasonic area is the functional part of the double-layer PVDF WUS which

transmits and/or receives ultrasound where the electrode layers on both sides of the PVDF
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Figure 5.1: PVDF layers preparation. A schematic of the single PVDF layer with electrodes
(a) and a photo of the PVDF layer at the bottom view (b).
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layer surface are overlapped. The interconnection area is the part where the electrical wires

are attached to the electrode layers. There is no overlap between the top and bottom electrode

layers at the interconnection area of the PVDF layer. The large interconnection area provides

a larger electrical attachment surface in order to avoid the concentration of the electrical

current, which may damage the electrode layers. 2-mm of the electrode layer around the

edges was removed to ensure the prevention of electrical shorting between the top and bottom

electrode layers. Figure 5.1 (b) shows the photo of a single PVDF layer after removing the

overlapping electrode at the interconnection area and around the edges.

The silver ink electrode layers were removed by gently scratching the electrode surface

using a sharp blade. The scratching method was found to be more practical than using a

liquid solvent such as acetone to dissolve the undesired silver ink electrode. Removing a

small and specific area of the silver ink electrode using a solvent requires more time and

effort compared to the scratching method. Using acetone to remove the electrode layer

causes the difficulty in controlling the acetone within the desired area.

5.1.2 Bonding the Two PVDF Layers

Adhering the two PVDF layers imposes practical difficulty and demands careful consid-

eration. First is the selection of an adhesive material. Some adhesives may react with the

electrode material or cause rigidness of the double-layer PVDF WUS. In an attempt to use a

cyanoacrylate adhesive (also commonly known as instant glue or super glue) as a bonding

layer it was found to cause rigidness of the double-layer PVDF after curing. The second

is the thickness of the adhesive layer. The acoustic loading and attenuation due to a thick

adhesive layer would negatively affect the WUS ultrasonic performance, as discussed in

Section 4.2.5 and Section 4.3.4. Besides, a thicker adhesive layer could reduce the flexibility
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of WUS. Thus, the construction of the double-layer PVDF WUS should aim to minimize the

bonding layer thickness. The third is the uniformity of the adhesive layer thickness between

the two PVDF layers since the double-layer PVDF should ideally be parallel. Lastly, is

the existence of air microbubbles within the adhesive layer. The trapped air microbubbles

in the adhesive layer cause an undesired reflection of ultrasound, which impacts the WUS

performance negatively.

In this work, several approaches were attempted before achieving a good quality bonding

of the two PVDF layers. As discussed in the design considerations in Section 4.3.4, the

quality of the bonding layer can be assessed by observing the ultrasonic signal strength of

the double-layer PVDF. In order to establish a reference value of the signal strength, an

ultrasonic gel couplant was used first as a temporary bonding layer. The gel couplant was

applied between the two PVDF layers to serve as a temporary bonding layer while observing

the received ultrasonic signal amplitude from a test sample. The gel couplant, as a temporary

bonding layer, can be spread between the two PVDF layers by hand rubbing the bonding

area of the double-layer PVDF using a soft material (rubber) to obtain a thin and evenly

distributed layer of the gel couplant. However, the gel couplant is not suitable as an actual

bonding material of two PVDF layers since it is not an adhesive material. A polymethyl

methacrylate (PMMA), also known as plexiglass, was used as a test sample for the ultrasonic

signal strength evaluation. The solid PMMA sample provides the ability to rub the sensor on

the flat PMMA sample surface. The reflected ultrasonic signal amplitude from the sample

was used to assess the ultrasonic signal strength of the bonded PVDF layers, as shown in

Figure 5.2. While observing the received ultrasonic signal amplitude from the sample, a

hand rubbing was applied using a flat rubber object to control the temporary bonding layer

thickness and uniformity. This procedure was repeated several times, and the observed

maximum amplitude was used as a reference value to evaluate the bonding quality with the
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Figure 5.2: Experimental configuration of the ultrasonic signal strength evaluation of the
bonded double-layer PVDF.

actual adhesive.

Epoxy adhesives are commonly used with piezoelectric materials and are a suitable

choice for the bonding layer [72, 151, 188, 221, 222]. A fast-curing epoxy adhesive (model:

Gorilla epoxy, Gorilla Glue Company, Cincinnati, Ohio, USA), also known as 5-min epoxy,

was first attempted in order to adhere the two PVDF layers at the inner electrode layers.

Before applying the epoxy mixture, the two 52-µm PVDF layers were covered using an

adhesive tape, except for the bonding area (the active ultrasound area of the two PVDF

layers) in order to prevent the transfer of epoxy to the other surfaces. Then, the two PVDF

layers were lined up next to each other so that the second PVDF layer could be easily flipped

after applying the epoxy to the first PVDF layer. The two parts of the epoxy were mixed by

stirring slowly to avoid the occurrence of air microbubbles in the epoxy mixture. A thin

layer of the epoxy mixture was spread using a small thin stick such as a toothpick over the

bonding area of the first PVDF layer; the active ultrasound area of the inner electrode. Then,

the second PVDF layer was flipped over the first PVDF layer. Next, a hand rubbing was

applied over the second PVDF layer using a soft material to spread the epoxy mixture evenly

between the two PVDF layers. Any excess epoxy was removed after the rubbing. Afterward,
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Figure 5.3: Photos of the bonded double-layer PVDF attachment to clamp jaws: directly (a)
and sandwiched between two PMMA plates (b).

the bonded PVDF layers were held by a clamp, as shown in Figure 5.3 (a), until the epoxy

was fully cured (24 h, according to the manufacturer’s instructions).

After curing, the epoxy layer thickness was measured at five points over the bonding

area. The average thickness was 20 µm with a large variation of ± 10 µm. It was found

that the variation of the epoxy thickness between the two PVDF layers was caused by the

unequal pressure distribution along the jaws of the clamp during the curing process of the

epoxy. Therefore, in the second attempt at bonding the two PVDF layers, this was addressed

by reducing the amount of the epoxy mixture applied and placing the bonded PVDF layers

between two flat PMMA plates in the clamp, as shown in Figure 5.3 (b). The average

thickness of the epoxy obtained after the second attempt was 13.6 µm with an average

variation of 5 µm, which was thinner and had less variation than the first attempt. However,

the observed ultrasonic signal amplitude was 51% lower than the reference value obtained

with the gel couplant as a temporary bonding layer.
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To further reduce the bonding layer thickness and its distribution, an improved approach

to control the epoxy thickness would be required. In the previous attempts, achieving a

thin and uniform epoxy layer was attempted by applying pressure over the bonding area,

which was unsuccessful. Since the purpose of a thin and uniform bonding layer is to achieve

the maximum ultrasonic signal of the double-layer PVDF, the epoxy application should be

under the guidance of the ultrasonic signal amplitude. Therefore, the proposed alternative

approach in this thesis work is to apply the epoxy while observing the ultrasonic signal

amplitude by the experimental configuration described in Figure 5.2. The spread of epoxy

between the two PVDF layers is controlled by rubbing over the bonding area using a soft

material until the reference signal amplitude is obtained. However, this procedure led to

the difficulty in using the fast-curing epoxies. Spreading the epoxy between the two PVDF

layers proved challenging due to the high viscosity of the epoxy mixture. Table 5.1 lists the

typical viscosity of some epoxies and common fluids. In addition, achieving the reference

ultrasonic signal amplitude involves a repeated rubbing over the bonding area to spread the

fast-curing epoxy evenly. The epoxy mixture quickly became more viscous and harder to

spread within less than a minute. Therefore, the procedure of applying epoxy while the

double-layer PVDF under testing reacquired an epoxy of lower viscosity and a longer curing

process time so that it could be spread easily between the PVDF layers.

Common epoxy adhesives of very low viscosity such as the Spurr’s epoxy ([ ≈ 65 mPa·s)

require an elevated temperature to cure (60 – 70°C or higher [223]). Therefore, the curing

process must involve placing the bonded PVDF layers in heated boxes or ovens in order to

maintain the high temperature required for curing. In an attempt to use low-viscous Spurr’s

epoxy (model: Embed-It Low Viscosity Epoxy, Polysciences, Inc., Warrington, PA, USA)

as a bonding layer, placing the bonded PVDF layers in a heated box of 65°C after applying

the Spurr’s epoxy imposed the difficulty of maintaining the achieved epoxy layer thickness.
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The step of placing the bonded double-layer PVDF in a heated box for epoxy curing was

found to be challenging and time-consuming.

Instead, an epoxy (model: Clearcast 7000, The Epoxy Resin Store, Lake Elsinore, CA,

USA) of moderate viscosity (1800 – 2500 mPa·s) that cures at room temperature was used.

In the application of the moderate-viscosity epoxy, the epoxy mixture was slowly stirred for

3-5 min to avoid creating air bubbles within the mixture. Then, the mixture was left to stand

for another 3-5 min to bring any air bubbles to the surface, where they could be released.

Afterward, a small amount (≈ 0.1 ml) of the epoxy mixture was applied in the middle of

the bonding area of the first PVDF layer using a syringe. After applying the epoxy mixture

to the first layer, the second PVDF layer was flipped over. Controlling the amount of the

applied epoxy mixture raised practical difficulties as an excessive amount would leak to the

other sides of the PVDF layers and the remaining amount would be insufficient to bond the

two PVDF layers. Thus, the process was first repeated several times with test samples of

the transparent plastic film until the adequate amount of epoxy was achieved. The applied

epoxy mixture was spread by repeated hand rubbing over the second PVDF layer using a soft

material until around 98% of the reference ultrasonic signal amplitude was obtained. Then,

the bonded PVDF layers were left on the PMMA sample until the epoxy mixture was fully

cured (≈ 48 h). The bonding layer that was obtained after fully curing was 7.5 ± 2.7 µm.

5.1.3 Attachment of Electrical Wire

As described in Section 4.3.3, the interconnection area of the electrical wire attachment

was separated from the active ultrasound area, as shown in Figure 5.1. Therefore, there was

no overlap between the electrode layers of the two sides of the PVDF layer surfaces in the

interconnection area. PVDF has a Curie temperature of approximately 135°C and a melting
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Table 5.1: Typical viscosity of epoxy resins and common Fluids

Material Viscosity, [
(mPa·s)

Water at 20 °C [224] 1

Whole milk at 20 °C [224] 2.12

Spurr’s epoxy (low viscosity) [223] 65

Olive oil at 20 °C [224] 84

Cycloaliphatic epoxy (moderate viscosity) [225, 226] 1800-2500

Honey [227] 2000 – 10000

Fast curing epoxy (high viscosity) [228] 18000 – 30000

temperature of approximately 150°C [72]. For this reason, direct wire soldiering to the

electrode surface cannot be used due to the high temperature of soldering (≈ 180 - 250°C).

Several approaches were attempted to achieve a reliable electrical wire connection to the

electrode layers of the PVDF in the previous work [70]. One approach was using a rivet

where the ring tongue terminal and the wire were mechanically pressed against the PVDF

and electrode layers by a rivet through a hole. The major drawback of this technique was

the pressure exerted by the rivet, which limits the WUS flexibility at the interconnection

area. Instead, the wire was first soldered to a small piece of thin, flexible foil made of a

conductive material (12-µm-thick brass shim). The brass layer was then affixed directly to

the electrode surface with an adhesive polyimide tape (packaging layers). This approach

provides the simplicity of construction and preserves the flexibility of the WUS. However,

wire disconnection and electrical noise were experienced during the prolonged usage of the

WUS.

In order to improve the electrical wire attachment and address the wire connection

reliability, an electrically conductive adhesive tape (Conductive Tin-Plated Copper Foil Tape,
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3M, St. Paul, MN, USA) was used instead of the brass shim. The electrical wires were

soldered to the top side of the conductive adhesive tape first, and then the adhesive side was

applied to the electrode surface. In addition, a larger surface area of attachment (8 mm × 20

mm) was considered to ensure the reliability of the electrical connection to the electrode

layers.

For the inner electrode layers, a piece of the conductive adhesive tape was folded between

the inner electrode layers, where its electrical wire was connected to the active terminal of

the power source (ultrasonic pulser-receiver), as shown in Figure 5.4. Keeping a space of

approximately 6 mm between the folded conductive adhesive tape and the active ultrasound

area (bonding area) was taken into consideration to avoid the effect of the folded tape

thickness in the bonding layer thickness and uniformity near the interconnection area. For

the outer electrode layers, a piece of the conductive adhesive tape was wrapped over the

interconnection area of the outer electrode layers, where its wire would be connected to the

grounded terminal.

5.1.4 Creation of Acoustic Insulator Layer

As discussed in Section 4.3.5, an air gap is proposed in the design of the double-layer

PVDF WUS to isolate the effect of the packaging layer applied at the back of the WUS.

Thus, air-backing of the WUS was achieved by using an acoustic insulation layer at the back

side electrode of the bonded PVDF layers. The acoustic insulation layer was a small air

gap created at the back side (the outer electrode layer at the back side of the bonded PVDF

layers) by inserting a piece of paper (100 µm thick) without adhering. This air gap isolate

the acoustic loading of the packaging layers (EM shielding and protection layers) to the outer

electrode layer surface at the back side. Thus, the non-adhered paper layer creates an air gap
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Figure 5.4: A schematic of the electrical wire attachment to the inner and outer electrode
layers using conductive adhesive tapes.

above the outer electrode layer at the back side to serve as a backing medium, making the

double-layer PVDF WUS air-backed.

5.1.5 Complete Construction With Packaging

The packaging of the double-layer PVDF WUS consists of a flexible metal foil and a

polyimide film with adhesive layers. The flexible metal foil serves as an EM shielding layer

to reduce environmental noises. The polyimide film with adhesive serves as a sealant and

protective layer for the entire structure of the double-layer PVDF WUS as well as electrical

insulation. The packaging layers were applied to wrap the entire WUS structure except for

the ultrasonic sensing area where the ultrasound is transmitted and/or received.

First, the EM shielding layer consisting of a flexible and thin conductive metal was

constructed. As the outermost electrode layers were connected to the ground terminal, the
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metal foil covering the front and back sides of the double-layer PVDF WUS (including the

active ultrasound and the interconnection areas) was also connected to the ground. A thin,

flexible metal foil such as brass or aluminum could be used as an EM shielding layer. In this

construction, a thin brass foil (12 µm thick) was used.

After covering the WUS with the EM shielding layer, the entire structure of the double-

layer PVDF WUS was wrapped with an adhesive polyimide film to bind and protect the

structural layers of the WUS. Afterward, the EM shielding and the protection layers were

removed from the ultrasonic sensing area of 20 mm × 20 mm, as shown in Figure 5.5. The

packaging layers were also extended to cover electrical wires.

Figure 5.5: A photo of the removal of the protection layer from the ultrasonic sensing area.

Figure 5.6 shows the photos of the constructed double-layer PVDF WUS. The overall

dimensions of the constructed WUS were 56 mm × 30 mm with a total thickness of 350 µm.

The the ultrasonic sensing area was 20 mm × 20 mm. The developed double-layer PVDF

WUS is flexible, lightweight (less than 1 g), thin, and small in size, which could be attached

to a skin surface and measure the muscle contraction without affecting the motion dynamics.

The flexible double-layer PVDF WUS was constructed using basic equipment and

ordinary hand tools, such as scalpels and a soldering device, and did not require advanced

technology such as microfabrication processing or equipment used in MEMS-based UT
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Figure 5.6: Photos of the constructed double-layer PVDF WUS.

fabrication [7–9, 11, 15]. The overall cost of the materials used in constructing the double-

layer PVDF WUS was inexpensive (less than 20 CAN $). Thus, the developed double-layer

PVDF WUS could be used as a disposable sensor to monitor muscle contractions.

The constructed double-layer PVDF WUS consists of two layers of 52-µm-thick PVDF

piezoelectric as an active element. Each PVDF layer has an electrode layer on both sides

of 10-µm-thick silver ink. It is worth noting that the thickness of the silver ink electrode

layer of the 52µm PVDF film by the manufacturer’s specification was 6 µm. However, the

measured thickness of the silver ink electrode layer at several points along the film sheet

was 10 ± 1 µm. The two PVDF layers were arranged in antiparallel polarization directions

and bonded at the inner electrode layers by an epoxy layer of 7.5 µm. The outer electrode

layers, next to the acoustic insulator layer and the ultrasonic sensing area, are connected

to the ground terminal, and the inner electrode layers, between the bonded PVDF layers,

are connected to the active terminal. Thus, a reversal voltage orientation is applied to the

two PVDF layers. The antiparallel direction of the polarization with the reversal voltage
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orientation results in the parallel polarization direction arrangement. In order to isolate

the effect of the packaging layers and air backed the double-layer PVDF WUS, an acoustic

insulator layer is placed at the back side of the double-layer PVDF film without adhering.

The non-adhered insulator layer maintains an air gap over the back side of the electrode to

allow the air-backing of the PVDF layers. In order to isolate the WUS from the interference

of the electrical noise and improve the SNR of the received signal, the WUS structure was

covered by a thin, flexible metal foil as an EM shielding layer. Then, the polyimide film

with adhesive as a protection layer was applied over the WUS to hold the layer structure

and protect the WUS. The EM shielding and protection layers were not constructed on the

ultrasonic sensing area, where the ultrasound is transmitted and received, to improve the

SNR by avoiding undesired ultrasonic attenuation and internal reflections within the EM

shielding and protection layers. Since the PVDF has an acoustic impedance close to that

of soft tissues, a matching layer at the front side is not required to facilitate the ultrasound

transmission between the double-layer PVDF WUS and the tissue. An ultrasonic couplant is

required between the double-layer PVDF WUS and skin surface in order to displace the air

and facilitate the ultrasound transmission between them.
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5.2 Performance Evaluation of Double-Layer PVDF

WUS

In this section, the ultrasonic performance of the double-layer PVDF WUS is evaluated

experimentally and discussed with the numerical simulation results. The operating frequency

and ultrasonic signal strength of the constructed double-layer PVDF WUS are evaluated

by an impedance measurement using a network analyzer and an ultrasonic pulse-echo

measurement with a PMMA sample. The performance of the double-layer PVDF WUS is

also compared to that of the single-layer PVDF WUS. The single-layer WUS has the almost

equivalent total PVDF thickness (110 µm) of the double-layer PVDF WUS (104 µm = 2

× 52 µm). Also, both the double-layer and single-layer PVDF WUSs were constructed as

described in Section 5.1 and have the same sensing area of 20 mm × 20 mm.

5.2.1 Operating Ultrasound Frequency

The operating frequency of the constructed double-layer 52-µm PVDF WUS was

experimentally evaluated using the electrical impedance measurement. An impedance

analyzer device (model: E5061B, Keysight Technologies, Santa Rosa, CA, USA) was used to

measure the electrical impedance as a function of frequency. At the operating frequency, the

impedance phase takes a peak value between the local maxima and minima in the impedance

magnitude [72, 229, 230]. For the purpose of comparison, an operating frequency evaluation

was conducted for a single-layer 52-µm-thick PVDF WUS, a single-layer 110-µm-thick

PVDF WUS, and a double-layer 110-µm-thick PVDF WUS.

In the previous chapter, the acoustic impedance of the silver ink electrode used in the

numerical study was estimated. The acoustic impedance of the silver ink electrode employed
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on the obtained PVDF films was not provided by the manufacturer. Also, a thorough search

of the relevant literature yielded no report of the silver ink acoustic properties, to the best

of the author’s knowledge. Therefore, the acoustic impedance of the silver ink electrode

was estimated by matching the calculated impedance using the simulation model to the

experimentally measured impedance using the impedance analyzer. The estimation of

the silver ink acoustic impedance was conducted using the single-layer 52 µm-thick and

110-µm-thick PVDF sensors to avoid the effect of the bonding layer of double-layer PVDF on

the impedance measurement. The measured layer thickness of the silver electrode from the

obtained 52 µm-thick and 110 µm-thick PVDF film sheets were 10 µm and 9 µm, respectively.

Figure 5.7 shows the measured (dotted line) and calculated (solid lines) electrical impedance

for the single-layer 52 µm-thick and 110 µm-thick PVDF sensors. The electrical impedance

of the single-layer PVDF sensors were also calculated for the cases of silver and silver

epoxy electrodes. The operating frequency that was obtained from the measured electrical

impedance of the air-loaded (air/air) single-layer 52-µm-thick PVDF with the silver ink

electrode was around 12.8 MHz, whereas the calculated operating frequencies, assuming

the electrode as silver epoxy (5.15 MRayls) and silver (38.16 MRayls), were 13.7 MHz

and 8.3 MHz, respectively, as shown in Figure 5.7 (b). For the single-layer 110 µm-thick

PVDF, the operating frequency from the measured impedance was at 7.8 MHz, whereas the

calculated operating frequency with silver epoxy and silver electrode layers were at 8.1 MHz

and 5.6 MHz, respectively, as shown in Figure 5.7 (d). Thus, the acoustic impedance of

the silver ink can be estimated somewhere between the acoustic impedance values of the

silver and silver epoxy. Based on the attempts of matching local maxima and minima at

the operating frequency of the simulated impedance to the measured ones, an approximate

acoustic impedance value of 12.24 MRayls for the silver ink would give be a close match to

the operating frequency obtained for the single-layer 52 µm and 110 µm PVDF sensors from
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the measured impedance. In addition, the properties of the materials used in the simulation,

such as PVDF and epoxy, may slightly differ from the actual values since they were obtained

from several sources, as indicated in Table 4.1 and Table 4.2. It is challenging to obtain the

actual values of the properties of the materials due to the variations within the same material,

such as the composition ratio, synthesis method, and processing conditions. Therefore, an

error between the measured and simulated results was anticipated.

Figure 5.8 shows the operating frequency obtained from the measured impedance for

the single-layer and the double-layer cases of 52 µm-thick and 110 µm-thick PVDF. The

resonance frequency from the calculated input impedance using the simulation model for

the same conditions conducted in the experimental measurement is also shown in the figure,

assuming that the acoustic impedance of the silver ink was 12.24 MRayls. The calculated

operating frequencies of the four PVDF WUS configurations showed a close agreement

with the measured values. The constructed double-layer 52 µm-thick PVDF WUS has an

operating frequency of 6.8 MHz obtained from the measured impedance. The operating

frequency of the constructed double-layer PVDF WUS is a result of the combined effect of

the PVDF thickness and the acoustic loading of the electrode and bonding layers. Figure 5.9

illustrates the effect of the electrode and bonding layers in decreasing the operating frequency

of double-layer PVDF WUS. Figure 5.9 (a) shows the four structural configurations in the

simulation: double-layer PVDF only, double-layer PVDF with bonding layer only, double-

layer PVDF with electrode layers only, and the full structure of the constructed double-layer

PVDF WUS. From the calculated impedance in Figure 5.9 (b), the acoustic loading of

the bonding layer (7.5-µm-thick epoxy layer) shifts the double-layer 52-µm-thick PVDF

operating frequency from 10.7 MHz to 9.5 MHz where the electrode layers (10-µm-thick

silver ink each) cause a larger shift to 7.7 MHz. Thus, the combined effect of the electrode

and bonding layers further decreases the operating frequency to 7 MHz.
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Figure 5.7: Measured (dotted line) and calculated (solid lines) electrical input impedance
of an air-loaded single-layer PVDF with an electrode layer on the top and bottom
surfaces. The structural configuration (a) and electrical impedance (b) of the single-
layer 52-µm-thick PVDF, and the structural configuration (c) and impedance (d) of the
single-layer 110-µm-thick PVDF. The active ultrasound area is 4 cm2.
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Figure 5.8: The operating frequencies obtained from themeasured and calculated impedance
for the air-loaded (air/air): single-layer 52 µm-thick PVDF WUS, single-layer 110
µm-thick PVDF WUS, double-layer 52 µm-thick PVDF WUS, and double-layer 110
µm-thick PVDF WUS.
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Figure 5.9: Calculated electrical input impedance for the air-loaded double-layer PVDF only,
double-layer PVDF with bonding layer only, double-layer PVDF with electrode layers
only, and the full structure of constructed double-layer PVDF WUS to illustrates the
loading effect of the electrode and bonding layers that led to the operating frequency of
double-layer 52 µm-thick PVDFWUS. The structural configurations of the simulations
(a) and the input impedance magnitude and phase (b) are shown. Active ultrasound
area is 4 cm2.
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5.2.2 Ultrasonic Signal Strength

The ultrasonic signal strength of the constructed double-layer PVDFWUS was evaluated

experimentally using an ultrasonic pulse-echo technique, and compared to that of the

single-layer WUS. The single-layer 110-µm PVDF WUS has the almost equivalent total

PVDF thickness of the double-layer 52-µmWUS. Also, both of the WUSs have the same

sensing area of 20 mm × 20 mm. TheWUSs were attached to a 12.25-mm thick PMMA plate

sample (60 mm × 60 mm × 12.25 mm) with an ultrasonic gel couplant, and the ultrasonic

signal which was reflected from the bottom surface of the sample was acquired with the

measurement configuration shown in Figure 5.2. Then, the reflected signal amplitude was

evaluated.

The WUSs were driven by an ultrasonic pulser-receiver (Model: DPR300, JSR Ultra-

sonics, Pittsford, NY, USA) in the ultrasonic pulse-echo mode. The received ultrasonic RF

signals from each WUS were acquired by an oscilloscope (Model: TDS2024B, Tektronix,

Beaverton, OR, USA). The same settings of the pulser-receiver were used for both the WUSs.

In order to ensure the steady contact of the ultrasonic sensor area of WUSs to the surface

of the PMMA sample, hand rubbing using a soft material was applied over the back side

of WUSs. The measurements were repeated several times to ensure the consistency of the

obtained amplitude of the reflected ultrasonic signal.

Figure 5.10 (a) shows the reflected ultrasonic signal obtained by the double-layer 52-µm

PVDF WUS (solid line) and the single-layer 110-µm PVDF WUS (dotted line), respectively.

The constructed double-layer 52-µm PVDF WUS exhibited 1.7 times greater reflected signal

peak-to-peak amplitude compared to the single-layer 110-µm PVDF WUS of almost the

equivalent total PVDF thickness. Thus, the result of the pulse-echo experiment showed that

the voltage amplitude of received signal increases with the double-layer PVDF configuration.
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This experimental result agrees with the numerical study using the simulation model in the

previous chapter. The numerical study predicted that the double-layer PVDF configuration

leads to increased transmitted ultrasound signals and consequently increases the received

ultrasonic signal. Thus, the developed double-layer PVDFWUS in this thesis work improved

the ultrasonic signal strength of the PVDF piezoelectric allowing for higher SNR of the

received ultrasonic signal. Others have employed the multiple-layer configuration to improve

the ultrasonic performance of piezoelectric polymer sensors [199, 231, 232]. Nakazawa

et al. [199] investigated the multiple-layer ultrasonic transducer using polyurea piezoelectric

polymer material for high-frequency ultrasound applications (30 – 100 MHz). Their pulse-

echo experiment showed that the voltage amplitudes of the received signal increased with

the multiple-layer configuration of polyurea. Also, Xi et al. [232] reported the improvement

in sensitivity using multiple-layer PVDF compared to the single-layer configuration for the

photoacoustic imaging application.

5.2.3 Noise Interference Reduction

The EM shielding of the double-layer PVDF WUS was evaluated experimentally. The

received ultrasonic signal acquired from the in vivomeasurement in the pulse-echo mode was

compared to a double-layer PVDF WUS before and after applying the EM shielding layer.

The double-layer PVDFWUS that had no EMS shielding layer was employed in transmitting

and receiving the reflected ultrasound (pulse-echo mode) from the tissue-bone interface at

the biceps muscle in the upper arm. Then, the same procedure was repeated after applying

the EM shielding layer to the double-layer PVDF WUS. The WUSs were operated by an

ultrasonic pulser-receiver system (Model: DPR300, JSR Ultrasonics, Pittsford, NY, USA).

The ultrasonic RF signals received by WUS were filtered by the pulser-receiver’s built-in
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Figure 5.10: Experimental evaluation of signal strength. The structural configuration of
double-layer 52-µm PVDF WUS and single-layer 110-µm PVDF WUS (a) and the
Ultrasonic RF signals obtained in pulse-echo mode (b).

analog band-pass filter of 1–22.5 MHz bandwidth. Then, the received ultrasonic RF signals

were digitized at a sampling frequency of 125 MHz and stored by the data acquisition (DAQ)

system (Model: ATS 9440, Alazartech, Montreal, QC, Canada) connected to a personal

computer (PC).

Figure 5.11 shows the two acquired ultrasonic RF signals. It can be observed in

Figure 5.11 (a) that the noise RMS (root mean square) of 14.1 mVrms was reduced after

applying the EM shielding layer to 5 mVrms, as shown in Figure 5.11 (b). Without the EM
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Figure 5.11: Noise reduction with the electromagnetic shielding layer. The received
ultrasonic signals were acquired from in vivo measurements to compare between a
double-layer PVDF WUS before and after applying the EM shielding layer. The
received ultrasonic RF signals using the double-layer PVDF WUS before applying the
EM shield layer (a) and after applying the EM shielding layer (b).

shielding, the ultrasonic signals of the WUS would be contaminated by the various sources

of environmental and instrumental noise such as noise. The soft tissue estimation accuracy

from the received ultrasonic RF signals can be affected by unwanted signals interference.

Thus, the EM shielding of the double-layer PVDF WUS has improved the SNR from 18.3

dB to 26.6 dB (+ 40%) under the experimental conditions.



Chapter 6

In Vivo Experimental Evaluation of the

Double-Layer PVDF WUS for the

measurement of Skeletal Muscle

Contractile Parameters

In this chapter, the evaluation, demonstration, and discussion of the in vivomonitoring of

muscle contraction using the developed double-layer PVDFWUS is presented. It investigates

the double-layer PVDF WUS and the ultrasonic measurement method performance in

monitoring the skeletal muscle contractions and the quantitative assessment of the contractile

properties. In this chapter, the ultrasonic measurements by the double-layer PVDF WUS

are demonstrated to estimate the tissue thickness changes during the electrically-evoked

contraction, electrically-evoked tetanic contraction, and dynamic voluntary contraction of the

skeletal muscle. Several parameters are extracted from the obtained thickness changes/time

curve to assess the muscle contractile properties quantitatively. The obtained contractile

parameters are evaluated for their measurement variability. The in vivo evaluation includes the

151
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comparison between the double-layer PVDFWUS and the LDS methods in the measurement

results of relative tissue thickness changes and extraction of the contractile parameters.

The comparative evaluation of the motion artifact influence on the measurement of muscle

contractile parameters between the double-layer PVDF WUS and LDS methods is also

presented. Additionally, the capability of the double-layer PVDF WUS in the quantitative

assessment of the muscle tetanic contraction progression and dynamic voluntary contractile

properties are demonstrated as non-invasive and inexpensive tool for the measurement of the

skeletal muscle contractile properties.

This chapter is organized into five sections as follows. Section 6.1 describes the in

vivo ultrasonic measurement methodology. Section 6.2 presents the comparative in vivo

evaluation between the double-layer PVDF WUS and LDS measurements. Section 6.3

presents the in vivo demonstration of the quantitative assessment of skeletal muscle tetanic

contractions and dynamic voluntary contractions. Section 6.4 discusses the results of

the presented in vivo experiments. Section 6.5 discusses the limitations of the ultrasonic

measurement using the double-layer PVDF WUS.

6.1 Double-Layer PVDF WUS Measurement

Methodology

The developed double-layer PVDF WUS performs the tissue thickness measurement due

to muscle contraction in two ultrasonic modes: pulse-echo (PE) or through-transmission (TT)

mode. This section describes the measurement principle of the two ultrasonic modes, the in

vivo experimental configuration of the double-layer PVDF WUS measurement conducted in

this chapter, and the extraction method of the skeletal muscle contractile parameters.
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6.1.1 Ultrasonic Soft Tissue Thickness Measurement Methods

Figure 6.1 (a) shows the measurement configuration of the ultrasonic PE mode. In the

PE mode, one double-layer PVDF WUS is employed as a transmitter of ultrasound and a

receiver of the reflected ultrasound. The WUS transmits ultrasonic pulses through the tissue

and receives the reflected ultrasonic pulses from the tissue-bone boundary. The transmitted

ultrasound wave reflects back to the double-layer PVDF WUS at the tissue/bone interface

due to the high acoustic impedance of bone (7.75 MRayls) compared to soft tissue (1.63

MRayls). During contractions, thickness changes between the double-layer PVDF WUS

and bone due to the muscle contraction are measured. The tissue thickness, )ℎ82:=4BB%� ,

between the double-layer PVDF WUS and bone is obtained by measuring the time-of-flight

(TOF) of the round trip ultrasound reflected at the tissue-bone boundary, )$�%� , as:

)ℎ82:=4BB%� = EBC ×
)$�%�

2
, (6.1)

where EBC is the average sound velocity assumed in soft tissue (1540 m/s).

Figure 6.1 (b) shows the measurement configuration of the ultrasonic TT mode. In the

TT mode, two double-layer PVDF WUSs are employed to measure the tissue thickness. One

double-layer PVDF WUS serves as an ultrasonic transmitter, and the second double-layer

PVDF WUS serves as an ultrasonic receiver. The transmitter WUS generates ultrasonic

pulses that propagate through the soft tissue toward the receiver WUS. During muscle

contraction, the tissue thickness between the two double-layer PVDF WUS is measured.

The tissue thickness, )ℎ82:=4BB)) , between the transmitter and receiver WUSs is obtained
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by measuring the TOF of the received ultrasound, )$�)) , as:

)ℎ82:=4BB)) = hBC × )$�)) . (6.2)

6.1.2 In Vivo Measurement Configuration

The double-layer PVDFWUSwas attached to the skin at a location of interest by applying

an ultrasonic gel couplant between the skin surface and the ultrasonic sensing area. In order

to maintain the firmness of attachment to the skin surface during the measurement, the

double-layer PVDF WUS and the electric wires were fixed with non-elastic adhesive tapes.

Considerations were taken to prevent the applied adhesive tape from exerting pressure so that

it would not impede the movements of the underlying tissues, including muscle contraction.

For both PE and TT modes, the double-layer PVDF WUS was operated by an ultrasonic

pulser/receiver system (Model: DPR300, JSR Ultrasonics, Pittsford, NY, USA). The

pulser/receiver system excites the double-layer PVDFWUS with an electric pulse of 300-400

V and 50-70 ns duration to generate an ultrasonic pulse [233]. The short excitation pulse is

not perceptible on the skin due to the very low power (maximum of 304 µJ [233]) and the

electrical grounding at the WUS-skin attachment side. The pulse repetition rate (PRR) of

the ultrasonic pulser/receiver system was controlled by a function generator. The PPR was at

1.0 kHz for the measurements conducted in Section 6.2.1, Section 6.2.2, and Section 6.3.1,

where it was at 0.2 kHz for the conducted measurement in Section 6.3.2. The received

ultrasonic RF signals were filtered by the pulser/receiver’s built-in analog band-pass filter

of 1–22.5 MHz bandwidth. Then, the received ultrasonic RF signals were digitized at a

sampling frequency of 125 MHz and stored by the data acquisition (DAQ) system (Model:

ATS 9440, Alazartech, Montreal, QC, Canada) connected to a personal computer (PC). It is
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Figure 6.1: Schematic diagram of in vivo measurement configuration using double-layer
PVDF WUS in ultrasonic pulse-echo (PE) mode (a) and through-transmission (TT)
mode (b).
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noted that the sampling frequency of 125 MHz was the highest of the DAQ system employed,

which was much higher than the Nyquist frequency of the received pulsed ultrasound since

the real-time measurement was not the focus of this study.

For the preprocessing of the acquired ultrasonic RF signals, a moving average of 9 and

15 frames for PPR of 0.2 kHz and 1.0 kHz, respectively, were applied to the digitized RF

signals to remove random noise and improve the SNR of the desired signals. The moving

average of 15 frames at the PRR of 1 kHz and 9 frames at the PPR of 0.2 kHz were equivalent

to the frame rate of 22.2 Hz and 66.7 Hz, respectively, which were multiple times greater

than the maximum motion frequency of the conducted in vivo measurements. The frames

with poor received ultrasound SNR (< 11 dB) were considered an outliers and excluded

from the thickness estimation of the conducted experiments. The outlier frames have a

negligible effect on the monitored thickness changes due to the high PPR as the excluded

frames accounted for less than 1% of the acquired frames. Thus, the motion smoothing

effect on the measured tissue motion may be negligible.

Figure 6.2 shows an example of the received ultrasonic RF pulses in the PE and TT

modes in the relaxed ()$�%� = 62.28 µs and )$�)) = 74.95 µs) and contracted ()$�%� =

65.34 µs and )$�)) = 77.98 µs) states of the muscle indicated by the dashed lines and the

solid lines, respectively. The received ultrasonic pulses were clearly observed in the acquired

ultrasound RF signals. The TOFs of the ultrasonic pulses were obtained using the peak

detection technique of the received ultrasonic pulse peak. The tissue thickness was then

estimated by the equation given in Eq. 6.1 for the PE mode and Eq. 6.2 for the TT mode.
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Figure 6.2: Examples of the received ultrasonic RF signals using the developed double-layer
PVDF WUS in the PE mode (a) and TT mode (b). The dashed lines indicate a relaxed
state of the measured skeletal muscle contraction, where the solid lines indicate a
contracted state.

6.1.3 Muscle Contractile Parameters Extraction

The skeletal muscle is considered a near-constant volume system; therefore, muscle

length changes due to contractions are paralleled by the changes in muscle thickness [46, 51].

The monitoring of muscle thickness changes during contractions would reflect the mechanical

function of the muscle. The works of Burger et al. [234] and Valenčič and Knez [52] were

earlier studies used to measure muscle thickness changes and assess the contractile properties

using a high-precision displacement sensor, which later became known as tensiomyography

(TMG) [113]. More recently, TMG (Figure 6.3 (a)) and laser displacement sensor (LDS)

(Figure 6.3 (b)) have been commonly usedmethods to obtain the muscle mechanical response

known as the contraction twitch displacement/time curve [31, 108, 113, 235]. Likewise, the

ultrasonic measurement by the double-layer PVDF WUS can be employed in measuring the

thickness changes due to muscle contraction and obtaining the thickness changes/time curve,

as shown in Figure 6.4.
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Figure 6.3: Photos of the tensiomyography (TMG) [30] (a) and laser displacement sensor
(LDS) [31] (b) measurement methods.

The contractile properties of muscle can be assessed by analyzing the thickness

changes/time curve and extracting the following parameters [46]: maximum thickness

change (Zh), contraction time (Zc), sustain time (Zs), half-relaxation time (Zr), and

contraction velocity (\c). Zh represents the relative maximum thickness changes during

the contraction twitch of the muscle expressed in millimeters. Zc indicates the time elapsed

from 10% of Zh until 90% of Zh. The parameter of Zs represents the time which the

contraction is sustained and is calculated by measuring the time between the moment when

Zh 50% during the ascending (contracting) phase, and the moment when Zh returns to 50%

during the descending (relaxing) phase. Zr indicates the time elapsed from 90% of Zh

until 10% of Zh during the relaxing phase. \c represents the rate of contraction given by:

\c = (90% Zh – 10% Zh) / Zc. Table 6.1 lists the definition of the contractile parameters

used in this thesis work. The time parameters (Zc, Zs, and Zr) are expressed in milliseconds

where the \c is expressed in millimeter per second.
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Figure 6.4: Example of the thickness changes/time curve of a single contraction twitch
obtained by double-layer PVDF WUS and the contractile parameters.

Table 6.1: Definition of contractile parameters.

Parameter Definition Unit

Maximum thickness changes

(Zh)

Maximum thickness change of a con-

traction twitch curve
mm

Contraction time (Zc)
Time between 10% and 90% of Zh

in ascending phase
ms

Sustain time (Zs)
Time between 50% of Zh on ascending

and descending phases
ms

Half-relaxation time (Zr)
Time between 90% and 50% of Zh

in descending phase
ms

Contraction velocity (\c)
Rate of Zh between 10% and 90%

relative to Zc
mm/s
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6.2 Performance Evaluation

This section presents the in vivo performance evaluation of skeletal muscle contraction. It

evaluates and validates the double-layer PVDFWUS in measuring the contractile parameters

of skeletal muscle in comparison with the LDS method. Section 6.2.1 compares the

difference between the double-layer PVDF WUS and LDS measurements. Section 6.2.2

evaluates the motion artifact effect on the double-layer PVDF WUS and LDS measurements.

6.2.1 Comparative Study of Double-Layer PVDF WUS and LDS

The objective of the in vivo experimental evaluation conducted in this section is to

compare the double-layer PVDFWUS ability with the LDS in measuring the skeletal muscle

evoked contractions. The electrically-evoked muscle contractions were monitored using

LDS, as one of the current mechanomyography (MMG) measurement sensors, and the

developed double-layer PVDF WUS to compare the extracted muscle contractile parameters

obtained by the two methods employed.

The LDS and TMG have been favored for the assessment of the contractile parameters

of muscle contraction among the current measurement methods [31, 46, 106–112]. LDS, as

described in the literature review in Chapter 2, is a non-contact method that measures the

displacement at the skin surface due to muscle thickness changes during contraction. On

the contrary, the TMG method employs a contact displacement sensor where the sensor tip

is pressed on the skin surface with a controlled pre-tension to measure the displacement

during muscle contraction. Therefore, the non-contact LDS can be used to measure muscle

contraction simultaneously with the ultrasonic measurement of the double-layer PVDFWUS.

The LDS and double-layer PVDF WUS can be compared in obtaining relative thickness
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changes due to muscle contraction. LDS provides high accuracy up to ± 2.2 µm within the

measurement range [236], and has been employed as a reference measurement method to

compare with other methods of interest [100, 237–239].

In this experimental evaluation, the tissue thickness changes due to the electrically-evoked

biceps muscle contractions in the left upper arm of a healthy male subject were measured

using the LDS and double-layer PVDF WUS in the PE mode simultaneously. The biceps

muscle was chosen due to its accessibility to obtain the relative thickness changes by both

the double-layer PVDFWUS and LDS simultaneously. The biceps muscle contraction was

electrically-evoked by an electrical muscle stimulator (EMS) (Model: EMS 7500, Compass

Health, Middleburg Heights, OH, USA) at an EMS pulse repetition frequency of 2 Hz.

The double-layer PVDF WUS was attached to the front (anterior) side of the upper arm at

the biceps muscle, as shown in Figure 6.5 of the experimental setup. The LDS (Model:

CL-P070, Keyence, Osaka, Japan) was placed on a support fixture so that the laser beam

pointed perpendicular to the backside of the double-layer PVDF WUS in the middle of the

active ultrasonic area. The subject was sitting on a chair with his left arm extended over the

experiment table. To minimize the motion artifact, the measurement was conducted under

the static contraction (isometric contraction) of the biceps. Additionally, the subject was

asked to relax his arm and remain still during the measurement.

Figure 6.6 (a) shows the measured tissue thickness by the LDS and double-layer PVDF

WUS during the electrically-evoked contraction of the bicepsmuscle. The biceps contractions

were electrically-evoked four times, and each stimulation lasted for 5.86 ± 1.87 seconds

separated by 6.78 ± 3.3 seconds intervals. The EMS power level was adjusted to evoke

the isometric contraction and to the comfort level of the human subject. The measurement

time was segmented into four groups (S1, S2, S3, and S4) corresponding to the stimulation

periods of the EMS, where the resting intervals were segmented into five groups (R1, R2,
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Figure 6.5: Photo of the experimental setup for monitoring the electrically-evoked con-
tractions of the biceps muscle using the LDS and the double-layer PVDF WUS in
ultrasonic PE mode. The double-layer PVDF WUS and electrical muscle stimulator
(EMS) electrodes were attached to the skin surface of the upper arm while the LDS
was placed on a support fixture.

R3, R4, and R5) corresponding to the periods where no EMS was applied, as shown in

Figure 6.6. The contractile parameters (Zh, Zc, Zs, Zr, and \c) in each single contraction

twitch were extracted from the thickness changes obtained by the LDS and double-layer

PVDF WUS. Figure 6.7 shows the multiple twitches in each stimulation interval with

indication of 0%, 10%, 50%, 90%, and 100% of the maximal thickness changes, Zh, from

which the contractile parameters (Zc, Zs, Zr, and \c) were extracted. The first two twitches

and last two twitches in each stimulation interval were excluded from the extraction of

contractile parameters due to the instability of the EMS power level during the manual on/off

switching. The same EMS power level was applied in the simulation intervals S1, S2, and

S3 in Figure 6.7 (a), (b), and (c), while the EMS level was intentionally reduced for the S4

stimulation interval in Figure 6.7 (d). However, a slight EMS power difference between S1,

S2, and S3 was expected due to the manual adjustment of EMS.
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Figure 6.6: Tissue thickness changes, measured by the LDS and double-layer PVDF WUS
(in PE mode), due to the electrically-evoked contraction of the biceps muscle at EMS
frequencies of 2 Hz (a). The comparison of the thickness changes between the LDS
and double-layer PVDF WUS measurements with indications of the stimulation and
rest intervals (b).
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Figure 6.7: Contractile parameter of Zh extracted from the individual twitch using the
thickness changes measured by the LDS and double-layer PVDF WUS in S1 (a), S2
(b), S3 (c), and S4 (d). The 0%, 10%, 50%, 90%, and 100% of Zh were indicated.



Chapter 6. In Vivo Experimental Evaluation 165

Table 6.2: Mean values ± standard deviation (SD) and coefficient of variation (CV) of
the contractile parameters from the monitored electrically-evoked contractions of the
biceps muscle using the LDS and double-layer PVDF WUS showed in Figure 6.7.

Extracted Parameters Mean ± SD (CV)

Laser Displacement Sensor Double-layer PVDF WUS

S1 S2 S3 S4 S1 S2 S3 S4

Zh (mm)
1.60 ± 0.29

(18.1%)

1.61 ± 0.17

(10.6%)

1.91 ± 0.17

(8.9%)

1.65 ± 0.11

(6.7%)

2.23 ± 0.09

(4.0%)

2.37 ± 0.07

(3.0%)

2.18 ± 0.15

(6.9%)

1.57 ± 0.08

(5.1%)

Zc (ms)
25.31 ± 0.59

(2.3%)

24.05 ± 0.53

(2.2%)

25.10 ± 0.73

(2.9%)

28.45 ± 0.45

(1.6%)

31.84 ± 0.97

(3.0%)

31.88 ± 0.49

(1.5%)

29.01 ± 1.06

(3.7%)

27.36 ± 0.46

(1.7%)

Zs (ms)
153.27 ± 18.32

(12.0%)

149.79 ± 21.88

(14.6%)

138.01 ± 11.52

(8.3%)

131.05 ± 7.02

(5.4%)

126.80 ± 4.78

(3.8%)

124.69 ± 7.07

(5.7%)

131.37 ± 5.00

(3.8%)

126.02 ± 5.95

(4.7%)

Zr (ms)
128.41 ± 20.22

(15.7%)

126.53 ± 22.83

(18.0%)

110.08 ± 12.83

(11.7%)

85.97 ± 15.99

(18.6%)

81.20 ± 2.95

(3.6%)

77.50 ± 3.36

(4.3%)

87.61 ± 3.83

(4.4%)

82.03 ± 5.45

(6.6%)

\c (mm/s)
50.39± 8.72

(17.3%)

53.57 ± 4.63

(8.6%)

60.83 ± 5.88

(9.7%)

46.32 ± 3.27

(7.1%)

56.01 ± 3.48

(6.2%)

59.47 ± 2.67

(4.5%)

60.29 ± 4.24

(7.0%)

46.00 ± 2.33

(5.1%)

The periodical contraction twitches measured by the LDS and double-layer PVDF WUS

were observed at the frequency of 2.02 ± 0.02 Hz, which corresponded to the applied

EMS frequency of 2 Hz. The average contractile parameters obtained from the multiple

contraction twitches of each stimulation interval (S1, S2, S3, and S4) are listed in Table 6.2.

The coefficient of variation, CV, in percentage (CV = Mean / SD × 100 ) is also presented

for each contractile parameter in Table 6.2.

The Zh obtained by the double-layer PVDF WUS showed lower CV values in the range

of 3.0 – 6.9% for the multiple contraction twitches than the Zh obtained by the LDS whose

CV values are in the range of 6.7 – 18.1%. Figure 6.8 (a), (b), (c), and (d) show the

Zh values for the comparison between the double-layer PVDF WUS and LDS. It can be

noted that the difference in the average Zh parameter between the LDS and double-layer

PVDF WUS was inconsistent between the stimulation groups given by percentage difference

(%Δ= difference / mean × 100) of 32.9%, 38.2%, 13.2%, and 5% for S1, S2, S3, and S4,

respectively. This may be due to the high variability of the Zh values obtained by the LDS as
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the larger difference of 32.9% and 38.2% for S1 and S2 corresponds to the LDS CV values

18.1% and 10.6%, respectively. In addition, the LDS showed a variation of thickness changes

among the rest intervals R1 – R5 by an average of ± 0.26 mm, while the double-layer PVDF

WUS had less thickness changes during the rest intervals (± 0.08 mm). The higher variation

of measured thickness changes by LDS during the rest intervals may indicate the presence

of motion artifact, which might affect the estimation of the maximum thickness changes.

Furthermore, a reduction in Zh was observed with the double-layer PVDF WUS for the S4

group by approximately 0.69 mm (36%) compared to the average Zh of S1 – S3 since S4

was subjected to a lower EMS power level. The reduction of Zh was not observed with LDS,

as shown in Figure 6.8 (e).

Figure 6.9 shows the Zc variation comparison plots between the double-layer PVDF

WUS and LDS obtained from the multiple contraction twitches and the line graphs of mean

± SD Zc values of the stimulation intervals. The double-layer PVDF WUS measurement

demonstrated longer Zc than the LDS except for the S4 interval, where LDS was slightly

longer. LDS and double-layer PVDF WUS both demonstrated a low variability of 3.7% or

less for Zc parameter. The difference in the mean Zc values between LDS and double-layer

PVDF WUS was higher for the S1 (22.9%) and S2 (28%) intervals than the S3 (14.5%)

and S4 (3.9%) intervals. The double-layer PVDF WUS mean Zc of S3 and S4 showed a

shorter time by 9.4% and 15.2%, respectively, compared to the average Zc for S1 and S2. In

contrast, the LDS mean Zc for S4 was longer by 13.6% than the Zc average of S1, S2, and

S3, as shown in Figure 6.9 (e).

Figure 6.10 shows the Zs variation comparison plots between the double-layer PVDF

WUS and LDS obtained from the multiple contraction twitches and the line graphs of mean

± SD Zs values of the stimulation intervals. The double-layer PVDF WUS demonstrated

lower variability of the obtained Zs from the stimulation intervals S1 – S4 given by the
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Figure 6.8: Zh variation plots for comparison between the double-layer PVDF WUS and
LDS obtained from the multiple contraction twitches of the S1 (a), S2 (b), S3 (c), and
S4 (d) intervals. Line graphs of mean ± SD Zh values for each interval (e).

CV values range of 3.8 – 5.7%, while LDS demonstrated CV ranging from 2.9 – 12% for

Zs. The LDS measurement showed longer Zs than double-layer PVDF WUS by (18.9%),

(18.3%), (4.9%), and (3.9%) for the S1, S2, S3, and S4 stimulation groups, respectively. The

difference between the S1, S2, S3, and S4 for the Zc mean values of the double-layer PVDF

WUS was 5.2% or less. In contrast, LDS demonstrated shorter Zs for S3 and S4 by 9% and

14.5%, respectively, to the average Zs obtained for S1 and S2, as shown in Figure 6.10 (e).

Figure 6.11 shows the Zr variation comparison plots between the double-layer PVDF
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Figure 6.9: Zc variation plots of comparison between the double-layer PVDF WUS and
LDS obtained from the multiple contraction twitches of the S1 (a), S2 (b), S3 (c), and
S4 (d) intervals. Line graphs of mean ± SD Zc values for each interval (e).

WUS and LDS obtained from the multiple contraction twitches and the line graphs of mean ±

SD Zr values of the stimulation intervals. The double-layer PVDFWUS demonstrated lower

variability of the obtained Zr from the stimulation intervals S1 – S4 given by the CV values

range of 3.6 -– 6.6%, while LDS demonstrated higher variability with CV values ranging

from 11.7 – 18.6% for Zs. The LDS measurement obtained longer Zr than double-layer

PVDF WUS by 45%, 48.1%, 22.7%, and 4.7% for the S1, S2, S3, and S4 stimulation

intervals, respectively. For the double-layer PVDFWUS, S2 showed the shortest Zr by 5.2%



Chapter 6. In Vivo Experimental Evaluation 169

Figure 6.10: Zs variation plots for comparison between the double-layer PVDF WUS and
LDS obtained from the multiple contraction twitches of the S1 (a), S2 (b), S3 (c), and
S4 (d) intervals. Line graphs of mean ± SD Zs values for each interval (e).

and S3 showed the longest Zr by 7.1% compared to the average Zr of S1 and S3 in which

they have a very close Zr given by a difference of 1%. For LDS, S1 and S2 demonstrated the

longest Zr where S3 and S4 have shorter Zr by 14.6% and 38.9%, respectively, as shown in

Figure 6.10 (e).

Figure 6.12 shows the \c variation comparison plots between the double-layer PVDF

WUS and LDS obtained from the multiple contraction twitches and the line graphs of mean

± SD \c values of the stimulation intervals. The double-layer PVDF WUS demonstrated
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Figure 6.11: Zr variation plots for comparison between the double-layer PVDF WUS and
LDS obtained from the multiple contraction twitches of the S1 (a), S2 (b), S3 (c), and
S4 (d) intervals. Line graphs of mean ± SD Zr values for each interval (e).

lower variability with \c given by the CV values range of 3.6 -– 6.6% for the stimulation

intervals S1 – S4, while LDS demonstrated higher variability with CV values ranging from

7.1 -– 17.3%. The double-layer PVDF WUS obtained faster mean \c than LDS for S1 and

S2 by approximately 10.5%, whilst both methods obtained similar mean values for S3 and

S4 by a difference less than 1%. It can be observed from the \c mean values obtained by

the double-layer PVDF WUS that S4 has the slowest contraction velocity by 19% compared

to S1, which has lowest value among S2 (6%) and S3 (7.4%), as shown in Figure 6.12 (e).
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Figure 6.12: \c variation plots for comparison between the double-layer PVDF WUS and
LDS obtained from the multiple contraction twitches of the S1 (a), S2 (b), S3 (c), and
S4 (d) intervals. Line graphs of mean ± SD \c values for each interval (e).

6.2.2 Influence of Motion Artifact on Measurement Variability

The objective of the in vivo experiment conducted in this section is to investigate the effect

of motion artifact on the double-layer PVDF WUS measurement in comparison to the LDS

measurement for the extraction of the skeletal muscle contractile parameters. The experiment

was conducted with the same experimental configuration shown in Figure 6.5 and the subject

in Section 6.2.1. The biceps muscle contraction in the right forearm was electrically-evoked

by the EMS at a frequency of 2 Hz. Additionally, a body limb motion was intentionally
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induced during the measurement in order to investigate the motion artifact influence on the

measurement by assessing the variability of the muscle contractile parameters extracted

from the WUS and LDS methods employed. To induce the motion artifact, the subject was

asked to perform repetitive elbow flexion-extension (bending the elbow from 0°to about

140°) of the right forearm (non-measured forearm) approximately every one second during

the measurement, which introduced a global motion of the right forearm measured.

Figure 6.13 shows the changes in tissue thickness obtained during the electrically-evoked

biceps muscle contraction with the induced motion artifact. The substantial deformation

due to the motion artifact can be clearly observed in the monitored muscle contraction

using LDS, causing the difficulty in identifying the distorted multiple contraction twitches.

In contrast, the multiple contraction twitches can be clearly identified in the monitored

muscle contraction using the double-layer PVDF WUS. The high contamination of the LDS

measurement by the induced motion artifact imposed difficulty in extracting the contractile

parameters. Nevertheless, the same method of extracting the contractile parameters was

applied to both tissue thickness changes obtained by the LDS and double-layer PVDF WUS

in order to assess the effect of the induced motion artifact quantitatively. The contractile

parameters were extracted based on finding the maximal thickness observed for each twitch,

denoted by the circle mark in Figure 6.14.

Table 6.3 lists the mean values ± SD and CV of the contractile parameters extracted

from the monitored electrically-evoked contractions of the biceps muscle with the induced

motion artifact using the double-layer PVDF WUS and LDS shown in Figure 6.14. The

LDS measurement demonstrated greater CV values of the extracted contractile parameters

among the multiple contraction twitches than the double-layer PVDF WUS, especially for

the Zc, Zs, and Zr parameters, where the CV values ranged from 22.8% to 82%. In contrast,

the double-layer PVDF WUS measurement maintained a smaller variability with CV values
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Figure 6.13: Tissue thickness changes, measured by the LDS and double-layer PVDF WUS
(PE mode), due to the electrically-evoked contraction of the biceps muscle at EMS
frequency of 2 Hz during an induced motion artifact (a). The comparison of the
thickness changes between LDS and double-layer PVDF WUS measurements (b).
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Figure 6.14: Contractile parameter of Zh extracted from the individual twitch using the
thickness changes measured by the LDS and double-layer PVDF WUS with the
induced motion artifact in Figure 6.13 measured . The 0%, 10%, 50%, 90%, and
100% of Zh were indicated.

of 8.5% or less. Figure 6.15 shows the comparison of the contractile parameters variation

between the double-layer PVDF WUS and LDS.

Table 6.4 compares between the CV values of the contractile parameters with (Table 6.3)

and without (Table 6.2) the induced motion artifact. The LDS measurement showed

an increase in the CV values with the induced motion artifact in comparison to those

obtained in the experiment without the induced motion in Section 6.2.1. The greater CV

of the contractile parameters using the LDS measurement indicates that the LDS is highly

susceptible to the motion artifact induced by body/limb movement. On the contrary, the

double-layer PVDF WUS maintained low variability (CV < 8.5%) even with the induced

motion artifact, comparable to the CV values without the induced body/limb movement.
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Figure 6.15: Contractile parameters variation plots for comparison between the double-
layer PVDF WUS and LDS obtained from the multiple contraction twitches of the
electrically-evoked biceps muscle contraction with induced motion artifact
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Table 6.3: Mean values± SD (CV) of the contractile parameters obtained from themonitored
electrically-evoked contractions of biceps muscle with induced motion artifact using
the double-layer PVDF WUS and LDS showed in Figure 6.14.

Extracted Parameters Mean ± SD (CV)

LDS Double-layer PVDF WUS

Zh (mm) 1.99 ± 0.50 (25.1%) 2.65 ± 0.16 (6.0%)

Zc (ms) 27.58 ± 6.58 (23.9%) 26.66 ± 1.53 (5.7%)

Zs (ms) 198.78 ± 143.39 (72.1%) 127.05 ± 5.31 (4.2%)

Zr (ms) 164.50 ± 135.30 (82.2%) 88.28 ± 7.50 (8.5%)

\c (mm/s) 59.04 ± 13.49 (22.8)% 79.52 ± 5.17 (6.5%)

6.3 In Vivo Demonstration

This section presents the in vivo monitoring of the skeletal muscle tetanic and dynamic

contractions. It demonstrates the double-layer PVDF WUS capability in the quantitative

assessment of the skeletal muscle tetanic contraction progression and voluntary contractions

during dynamic muscle action. Section 6.3.1 demonstrates the monitoring of an electrically-

evoked tetanic contraction of the gastrocnemius (GC) muscle. Section 6.3.2 demonstrates

the assessment of the voluntary activation of the biceps muscle during dynamic contractions.

6.3.1 Skeletal Muscle Tetanic Contraction Progression

The muscle contraction is controlled by the number of recruited motor units (MU) and

their firing frequency. The summation of the muscle contraction twitches caused by the

increase in the firing frequency is known as a tetanic contraction (tetanus) [34, 240]. The

muscular activities of the human body often exhibit some level of tetanic contractions to
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Table 6.4: CV values of the contractile parameters from the monitored electrically-evoked
contractions of biceps muscle with and without induced motion artifact using the
double-layer PVDF WUS and LDS.

No motion artifact Induced motion
artifactS1 S2 S3 S4

LDS

Zh (mm) 18.1% 10.6% 8.9% 6.7% 25.1%

Zc (ms) 2.3% 2.2% 2.9% 1.6% 23.9%

Zs (ms) 12.0% 14.6% 8.3% 5.4% 72.1%

Zr (ms) 15.7% 18.0% 11.7% 18.6% 82.2%

\c (mm/s) 17.3% 8.6% 9.7% 7.1% 22.8%

Zh (mm) 4.0% 3.0% 6.9% 5.1% 6.0%

Zc (ms) 3.0% 1.5% 3.7% 1.7% 5.7%

Zs (ms) 3.8% 5.7% 3.8% 4.7% 4.2%

Zr (ms) 3.6% 4.3% 4.4% 6.6% 8.5%

Double-layer
PVDF WUS

\c (mm/s) 6.2% 4.5% 7.0% 5.1% 6.5%

maintain posture or to produce movement. The tetanic contractions of a muscle can also be

induced by electrical stimulation. The quantitative assessment of a tetanic progression could

be useful for various medical applications. Therefore, the double-layer PVDF WUS was

applied for the tetanic contraction monitoring. The tetanic progression was quantified using

the fusion index (IF) parameter. Additionally, the contractile parameters at several electrical

stimulation frequencies were measured. In this conducted in vivo demonstration, the tissue

thickness changes due to GC muscle contractions evoked by the EMS in the lower leg of a

healthy male subject were measured using the double-layer PVDF WUSs in the ultrasonic

TT mode. As shown in Figure 6.16 of the experimental setup, the transmitter double-layer

PVDF WUS was attached to the medial side of the GC muscle at the back of the tibia and
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fibula bones, whereas the receiver double-layer PVDF WUS was placed on the opposite side.

Figure 6.16: Photos of the experimental setup for monitoring the tetanic contractions of
the gastrocnemius (GC) muscle in the TT mode. The two double-layer PVDF WUSs
(transmitter and receiver) and EMS electrodes were attached to the skin surface of a
lower leg.

Figure 6.17 shows the schematic diagram of the ultrasonic measurement configuration to

monitor the electrically-evoked GC muscle contraction. The contractions of the GC muscle

were evoked by the EMS device at EMS frequencies of 2 Hz, 6 Hz, 8 Hz, 10 Hz, 12 Hz,

and 30 Hz with an electric pulse width of 300 µs. The amplitude of the stimulation pulse

was adjusted to the comfort level of the human subject depending on the EMS frequency

employed.

Figure 6.18 shows the changes in tissue thickness obtained during the evoked GC

muscle contraction by the EMS at different EMS frequencies. The periodical change of

the tissue thickness corresponding to EMS frequency was clearly observed from the GC

muscle contraction at the EMS frequency from 2 Hz to 12 Hz. At the EMS frequencies
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Figure 6.17: A schematic of the measurement configuration of GC muscle contractions in
the lower leg. The muscle contraction was evoked by EMS, and the tissue thickness
were measured using two developed WUSs in the TT mode.

of 2 Hz and 4 Hz, the GC muscle was able to relax completely between the intervals of

two consecutive twitches. However, partial relaxations between the consecutive twitches

were seen at the EMS frequencies of 6 Hz to 12 Hz, indicating the progression of tetanic

contraction of the GC muscle. No relaxation was observed at the EMS frequency of 30 Hz

under our experimental conditions. From the monitored thickness changes at each EMS

frequency, the tetanic contraction progression level can be quantified using FI [32–34]. The

FI is defined (in %) by:

�� = (0/1) × 100 (6.3)

where 0 is the difference between the initial thickness (before the EMS applied) and the

minimal thickness during the contraction, whereas 1 is the difference between the initial

thickness and the maximal thickness during contraction, as illustrated in Figure 6.19. Thus,
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Figure 6.18: Tissue thickness changes, measured by the WUSs, due to the electrically
evoked contraction of GC muscle at EMS frequencies of: 2 Hz (a), 4 Hz (b), 6 Hz (c),
8 Hz (d), 10 Hz (e), 12 Hz (f), and 30 Hz (g).
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Figure 6.19: Definition of fusion index (FI) quantifying the tetanic contraction progression
level [32–34].

the FI of 0% means the twitch contraction with complete relaxation of the muscle, and that

of 100% means the completely fused tetanic contraction.

The FI value at each EMS frequency was obtained by taking the average of the calculated

FI values between each electrical stimulation interval, after two seconds of initiating the EMS.

Figure 6.20 presents the FI value, denoted by the cross mark, with the standard deviation

(SD), denoted by the error bar, obtained at each EMS frequency. As seen in Figure 6.18

(a) and (b) at the EMS frequencies of 2 Hz and 4 Hz, respectively, the GC muscle had a

complete relaxation between the consecutive stimuli, which indicates the FI of 0%. As the

EMS frequency increased to 6 Hz and 8 Hz, the muscle would progress to a partial relaxation

represented by the FI values of 8.6 ± 4.4% and 15.7 ± 9.1% (mean ± SD), respectively.

At 10 Hz and 12 Hz, the tetanic contraction progressed further, and the FI values became

83.8 ± 1.2% and 95.3 ± 0.5%, respectively. The FI value of 100% was assigned at 30 Hz

since no muscular relaxation between the consecutive stimuli was observed at 30 Hz, as

shown in Figure 6.20 (g). In general, the unfused and fused tetanus is considered at FI value

greater than 10% and 90%, respectively [241]. Therefore, based on the S-shaped (sigmoid

function) curve fitting (solid line) of the obtained FI-EMS frequency relationships shown
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Figure 6.20: FI value (cross mark) with the standard deviation (error bar) at each EMS
frequency, obtained from the results shown in Figure 6.18. The FI-EMS frequency
curve denoted by the solid line was obtained by curve fitting of a sigmoid function.

in Figure 6.20, the minimum stimulation frequencies necessary to evoke the unfused and

fused tetanus were given at FI values of 10% and 90%, respectively. Thus, the GC muscle

would be evoked to the unfused and fused tetanic contraction at EMS frequencies of 6.7 Hz

and 10.7 Hz, respectively, under the experimental conditions employed.

The monitored muscle contractions of the GC muscle were further analyzed by extracting

the contractile parameters (Zh, Zc, Zs, Zr, and \c) from the multiple contraction twitches.

Figure 6.21 shows the extraction of the contractile parameters from a chosen single

contraction twitch of the monitored GC muscle at each EMS frequency in the range of 2–10

Hz, which were not in a fused tetanus state in the experiments. At the EMS frequency of 2

Hz, the Zh was 2.24 mm from the relaxed state to the maximum contracted state. The Zc

during which the thickness increased from 10% to 90% of the Zh was 38 ms. During the Zc,
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Figure 6.21: Extracted contractile parameters from a chosen single contraction twitch of
the GC muscle evoked at EMS frequencies of: 2 Hz (a), 4 Hz (b), 6 Hz (c), 8 Hz (d),
and 10 Hz (e).
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Table 6.5: Average values ± SD and CV of the contractile parameters from the monitored
tetanic contraction of GC muscle at the EMS frequencies in Figure 6.18.

EMS
Extracted Parameters Mean ± SD (CV)

Zh (mm) Zc (ms) Zs (ms) Zr (ms) \c (mm/s)

2 Hz
2.20 ± 0.08

(3.6%)

38.25 ± 1.50

(3.9%)

116.28 ± 12.75

(11%)

63.49 ± 12.12

(19.1%)

46.13 ± 2.76

(6%)

4 Hz
2.77 ± 0.09

(3.2%)

37.12 ± 1.05

(2.8%)

77.57 ± 7.29

(9.4%)

31.46 ± 6.76

(21.5%)

59.68 ± 2.05

(3.4%)

6 Hz
2.04 ± 0.15

(7.4%)

32.54 ± 0.88

(2.7%)

61.77 ± 2.23

(3.6%)

19.54 ± 1.81

(9.3%)

50.22 ± 3.68

(7.3%)

8 Hz
2.36 ± 0.19

(8.1%)

27.51 ± 1.41

(5.1%)

58.10 ± 2.00

(3.4%)

19.72 ± 1.64

(8.3%)

68.56 ± 5.47

(8.0%)

10 Hz
0.59 ± 0.03

(5.1%)

21.62 ± 1.58

(7.3%)

40.07 ± 3.07

(7.7%)

10.80 ± 2.08

(19.3%)

22.03 ± 1.58

(7.2%)

\c was 47.21 mm/s. The Zs during which the GC muscle sustained the 50% of the Zh was

117.5 ms. After reaching the maximum thickness, the thickness began to decrease, which

indicates the relaxation period. The Zr during which the thickness decreased from 90% to

50% of the Zh was 62.9 ms. Table 6.5 lists the average contractile parameters obtained

from the multiple twitches of the electrically evoked GC muscle contractions at each applied

EMS frequency, shown in Figure 6.18. An average was taken from the twitches observed

after the first two seconds of initiating the EMS, where the twitches became stable. The CV

values for Zh, \c, and Zc were 8.1% or less, and those for Zs were 11% or less. The CV

values for Zr showed greater values (8.3%–21.5%) comparing with the other parameters

The values of Zc, Zs, and Zr with respect to EMS frequencies from 2 Hz to 10 Hz
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Figure 6.22: The average contractile parameters of Zc, Zs, and Zr of the monitored muscle
contractions with respect to the EMS frequencies. The error bar indicates the standard
deviation.

are presented in Figure 6.22. It was observed from these extracted contractile parameters

that the contraction and relaxation periods of the GC muscle became shorter as the EMS

frequency increased. As the EMS frequency increased from 2 Hz to 10 Hz, the average Zc

values decreased from 38.25 ms to 21.62 ms, and the average Zr values decreased from

63.49 ms to 10.80 ms. In addition, the GC muscle sustained a shorter contraction as the

frequency progressed further, which was indicated by the average Zs of 116.28 ms at 2 Hz

compared to Zs of 40.07 ms at 10 Hz.

6.3.2 Dynamic Voluntary Contraction

The current assessment methods of the contractile parameters, LDS and TMG, focus

on the static (isometric) contractions of the muscle [46, 96]. In addition, the reported
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measurements using the above-mentioned methods were focused solely on the electrically-

evoked contractions [46, 242]. The measurement of the skin surface displacement during

the dynamic contractions is challenging due to the contamination by motion artifact. The

experimental investigation in Section 6.2.2 has shown that the double-layer PVDF WUS

is less susceptible to motion artifact. Therefore, this in vivo experiment was attempted to

demonstrate the advantage of the proposed double-layer PVDF WUS and ultrasonic method

in the quantitative assessment of the muscle contractile properties during the dynamic

(isotonic) voluntary contractions.

The double-layer PVDF WUS was attached to the skin above the biceps muscle of a

healthy male subject’s left upper arm, as shown in Figure 6.23. The ultrasonic experimental

configuration was similar to the experiment conducted in Section 6.2.1, where the biceps

muscle contractions were monitored using the double-layer PVDF WUS in the ultrasonic PE

mode. The subject was sitting on a chair with his left arm extended over the experiment

table. The dynamic contraction of the biceps muscle was performed by the voluntary flexion

and extension of the forearm (bending the elbow from 0°to about 90°).

Figure 6.24 shows the measured tissue thicknesses during the dynamic contraction of the

biceps muscle. The periodical tissue thickness change between the double-layer PVDFWUS

and the bone (the humerus) corresponding to the performed contraction of the muscles was

monitored for four cycles of the forearm flexion-extension. It can be seen from the monitored

dynamic contraction that the thickness of tissue in the relaxed state (where the forearm

was extended) was about 31.1 mm, while the thickness increased to about 34.1 mm in the

contracted state (where the forearm was flexed). The double-layer PVDFWUS demonstrated

the ability to track the thickness changes during the muscle dynamic contraction, similar to

the case of static contractions demonstrated in the previous sections. This allows for further

analysis of the monitored thickness changes by extracting the contractile parameters. As
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Figure 6.23: Photos of double-layer PVDF WUS attachment to skin surface for monitoring
the voluntary dynamic contraction of biceps muscle in PE mode.

the contractile parameters are extracted from the twitch contraction evoked by an EMS, the

contractile parameters of the voluntary contraction could be extracted from the repetitive

contracting-relaxing cycle, as shown in Figure 6.25.
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Figure 6.24: Monitored tissue thickness changes during the dynamic contraction of the
biceps muscle performed by the voluntary flexion and extension of the forearm and
measured by the double-layer PVDF WUS in the PE mode.

Figure 6.25: Extracted contractile parameters from a chosen single contracting-relaxing
cycle of the voluntary biceps muscle.
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Table 6.6: Extracted contractile parameters from the monitored dynamic contraction of the
biceps muscle in Figure 6.24.

Voluntary flexion-extension cycles

Parameters 1 2 3 4 Mean ± SD CV

Zh (mm) 2.45 2.82 2.43 2.67 2.59 ± 0.19 7.20%

Zc (ms) 1064.51 1031.76 996.77 1034.01 1031.76 ± 27.70 2.70%

Zs (ms) 2086.52 2160.51 1922.81 1909.06 2019.73 ± 123.72 6.10%

Zr (ms) 490.64 513.13 361.42 302.68 416.97 ± 101.36 24.30%

\c (mm/s) 1.84 2.19 1.95 2.07 2.01 ± 0.15 7.50%

In these four cycles of muscle contractions, the average changes in the thickness of

the biceps muscle from the relaxed state to the contracted state, Zh, was 2.59 ± 0.19 mm.

The average time of the biceps muscle to reach the contraction state, Zc, was 1031.76 ±

27.70 ms with an average rate, \c, of 2.01 ± 0.15 mm/s. The average sustaining time

of the contraction, Zs was 2019.73 ± 123.72 ms. The average half-relaxation time, Zr,

which indicates the beginning of the forearm extension was 416.97 ± 101.36 ms (Zr). The

extracted parameters were listed in Table 6.6.

6.4 Discussion

6.4.1 Comparison Between the Double-Layer PVDF WUS and LDS

The measurement of the double-layer PVDF WUS was compared and validated with the

LDS measurement of the electrically-evoked biceps muscle contractions. The double-layer

PVDF WUS in the comparative measurement (Section 6.2.1) demonstrated an overall lower

variability with CV values of 7% or less for all of the extracted contractile parameters than
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the LDS, which demonstrated CV values up to 18.6%. Among the stimulation intervals in

the conducted comparative measurement, the S1 and S2 intervals have greater differences

between the obtained mean values of the extracted contractile parameters from the LDS

and double-layer PVDF WUS measurement, whilst S3 and S4 have the smallest difference

between the two methods. The relaxation phase of the contraction twitches of the S1 and

S2 intervals obtained using LDS showed a different response compared to the S3 and

S4 intervals. This might be due to the larger effect of motion artifact that caused some

deformation to the contraction twitches in S1 and S2. In contrast, the double-layer PVDF

WUS maintained a consistent shape of the contraction twitches among the stimulation

intervals (S1-S4).

Additionally, the difference of the measurement principle between the double-layer PVDF

and LDS may also contribute to the difference between the obtained contractile parameters

using the two methods. The LDS measures the displacement at the skin surface caused by the

muscle thickness change during the contraction, whereas the ultrasonic method measures the

internal tissue thickness between the double-layer PVDFWUS and the tissue-bone boundary.

However, Seidl et al. [31] indicated the differences between TMG and LDS measurements

while both methods obtained good to excellent test-retest reliability. The differences could

be clinically irrelevant as different methods should not be used interchangeably within a

single study [31, 113]. For clinical applications, the parameters would be used to find the

changes in the muscle contractile properties that are related to the progression of disease,

recovery, or training [46, 113].
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6.4.2 Double-Layer PVDF WUS and Motion Artifact

Motion artifact is a known problem in the application of MMG measurements [63].

Therefore, the presence of concurrent limb or body motion led to the preclusion of the

dynamic contraction apart from most muscle contractile properties assessment studies

[63, 243, 244]. The poor performance of the LDS in the presence of concurrent limb or

body motion is indicated by the substantial high variability (22.8% to 82%) of the extracted

contractile parameters obtained from the induced motion artifact experiment (Section 6.2.2).

On the contrary, the double-layer PVDF WUS demonstrated superior performance in the

presence of concurrent limb or body motion as it maintained the low variability of the

extracted parameters (≤ 8.5%). The induce motion artifact experiment confirms that double-

layer PVDF WUS is less susceptible to contamination by motion artifact. The flexibility,

light weight, thinness, and smallness in size of the double-layer PVDF WUS offer the ability

to follow the global limb or body motion while maintaining stable attachment on the skin

surface. As discussed in Section 6.2.2, the double-layer PVDF WUS is less affected by

undesired limb or body motion allowing the measurement with less strict posture positions

and during dynamic contractions in contrast to LDS.

6.4.3 Assessment of Muscle Contractile Properties

The conducted in vivo measurements investigate the capability of the developed double-

layer PVDF WUS and the ultrasonic method to perform the continuous and quantitative

assessment of the skeletal muscle contractile properties. It was demonstrated in obtaining

the tissue thickness changes corresponding to the partial relaxation of the muscle during

the progression of the tetanic contraction. The monitored thickness changes were directly

analyzed to quantify the tetanic progression using the FI parameter as well as to extract
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the contractile parameters for each stimulation frequency of unfused tetanic without the

requirement of special post-processing or filtering. In the experiment of monitoring tetanic

contraction (Section 6.3.1), the CV values for Zr showed greater values (8.3%–21.5%)

comparing with the other parameters (Table 6.5). It was reported in the TMG measurements

with multiple subjects that the Zr parameter exhibited high variability and was indicated as

an unreliable parameter [108]. Though our CV values were estimated from the multiple

twitches with only a single subject, a similar tendency of the measurement variability was

shown in the results of the tetanic contraction progression experiment.

Several studies have presented the measurement of the biceps and GC muscles contractile

parameters [30, 44, 245–251]. However, the lack of a standardized measurement protocol

led to a variety of measurement conditions which limit the comparison between the muscle

contractile parameters, as discussed in [108, 251–253]. The sensor position, EMS conditions

(amplitude, pulse width, and inter-electrode distance), and individual differences (gender,

age, body mass, and physical activity level) impose difficulties for the direct comparison

between the values of the contractile parameters. Therefore, the comparison of the parameter

values obtained in this thesis study with those of other studies would not be applicable due

to the different measurement conditions employed and is beyond the scope of the objectives

of this thesis.

In addition, the extraction of the contractile parameters from the dynamic voluntary

contraction (Section 6.3.2) demonstrated the feasibility of the double-layer PVDF WUS to

extend the current scope of muscle contractile parameters measurement. It would facilitate

future exploration of the skeletal muscle contractile parameters of voluntary contractions

during various physical activities that involve dynamic contractions. Thus, the novel

ultrasonic technique presented in this thesis work allows the measurement of the skeletal

muscle contractile parameters beyond the limitations of TMG and LDS methods, such as
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fixed posture and/or limited measurement location, which are currently the popular tools for

assessment of muscle contractile properties [46, 104]. The double-layer PVDF WUS offers

the advantage of the ultrasonic A-mode method by measuring the internal thickness changes

of the tissue where the TMG and LDS methods may not be feasible, such as during dynamic

contractions and/or body motion. The ultrasonic measurement method using the developed

double-layer PVDF WUS could provide a practical tool for the inexpensive, non-invasive,

and continuous measurement of the skeletal muscle contractile properties with less strict

posture conditions in comparison with the TMG and LDS.

The proposed double-layer PVDF WUS and ultrasound method of the measurement of

the skeletal muscle contractile parameters could be applied to various medical applications,

for instance: monitoring the treatment progression before and after ligament reconstruction

surgery [43, 44, 249], investigating the ratio of slow-twitch and fast-twitch fibers in muscles

[52, 105, 245], assessing muscle fatigue [57, 109] and physical training effectiveness

[46, 90]. In addition, the FI-EMS frequency curve would be used to investigate the degree

of muscle fatigue [32] and to evaluate the muscle fiber type and fiber composition ratio [33].

Additionally, the double-layer PVDF WUS offers the measurement of both the static and

dynamic contractions, contrary to the TMG and LDS, which are only applicable for the

examination of static contraction [46, 104].

SEMG has been used for decades to evaluate neuromuscular response, especially the

muscle fatigue [62]. It provides wearability on the skin surface. However, The SEMG signals

are susceptible to various types of noises requiring extensive signal processing techniques to

reduce the adverse effects on the measurement [254]. The noise contamination is caused

by various sources that originate from the sensitivity to the skin-electrode displacement,

undesired signals from musculature other than the muscle of interest (crosstalk), skin

impedance, and surrounding electrical interference. These noises affect the quality of the
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SEMG signal and impose the difficulty of analyzing the muscle function, especially during

dynamic contraction [255, 256].

Nevertheless, SEMG provides a distinctive feature of measuring the electrical activity of

the muscle, while the ultrasonic measurement by the double-layer PVDF WUS provides the

mechanical counterpart of the muscle function. Thus, the combination of the SEMG and

double-layer PVDF WUS measurements may provide information on various aspects of the

electromechanical function of the muscle. For example, the simultaneous measurement by

SEMG and double-layer PVDF WUS could estimate the time delay parameter between the

motor unit activation and the start of the mechanical contraction. In addition, the SEMG

would provide the alteration of electric potential generated during muscle contraction due to

the fatigue [256], while the double-layer PVDFWUS would provide the quantification of the

contractile mechanism alteration [256]. In this thesis work, the SEMG was not conducted

because the in vivo measurements in this stage of research were conducted to test the ability

of double-layer PVDF WUS in the measurement of the muscle contractile parameters with a

method of a comparable principle of measurement such as LDS. The next stage of future

work would investigate the clinical benefit of the simultaneous measurement of the muscle

contractions using the SEMG and the double-layer PVDF WUS.

6.5 Limitations

6.5.1 Assumed Sound Velocity

The estimation accuracy of the tissue thickness using the ultrasonic measurement method

is influenced by the assumed velocity of the sound in tissues. The ultrasound wave path

includes tissue segments with different sound velocity such as skin, fat, andmuscle. Table 6.7
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Table 6.7: Typical sound velocity values in body tissues [35–37].

Tissue E (m/s)

Blood 1570–1575

Bone 4080

Brain 1530–1550

Eye 1525–1650

Fat 1450

Heart 1570

Kidney 1561–1570

Liver 1549–1590

Muscle 1568–1590

Skin 1730

shows the sound velocity of several body tissue types. In ultrasound imaging, the sound

velocity is typically assumed to be constant, which results in a direct relationship between

the TOF and the thickness [257]. In practice, the sound velocity of 1540 m/s is the accepted

or standard average sound propagation velocity used to compute the soft tissue thickness

[258, 259]. For the contractile parameters, the assumed sound velocity would be reflected in

the change of the Zh and \c parameters value. The temporal parameters (Zc, Zs, and Zr )

are dependent on the PRR of the ultrasonic measurement and therefore are not affected by

the assumed sound velocity. Also, the FI parameter is independent of the actual velocity

of sound since it is given by the thickness ratio between the contracted and relaxed states

of a muscle. Thus, the Zh and \c parameters are subject to an estimation error due to the

difference between the assumed and actual velocity of sound in tissues.
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6.5.2 Alignment of an Ultrasonic Beam

The ultrasonic measurement of tissue thickness during the skeletal muscle contractions

may encounter a misalignment between the double-layer PVDF WUS and the tissue-bone

boundary in the PE mode or between the two employed double-layer PVDF WUSs in the

TT mode. The changing of muscle thickness during the contraction affects the degree of

alignment, which would lead to a reflected/received signal with poor SNR or no ultrasound

pulse. In the conducted experiments of this thesis work, the in vivo measurements in the

ultrasonic TT mode were found to maintain a better alignment, between the transmitter

and receiver double-layer PVDF WUSs, during the muscle contraction compared to the

ultrasonic PE mode, between the double-layer PVDF WUS and tissue-bone boundary. The

average SNR of the received ultrasound RF signals for the measurement conducted in

TT mode (Figure 6.18), after the preprocessing, was 25 dB with a minimum of 14 dB.

In comparison, the average SNR of received ultrasound RF signals for the measurement

conducted in PE mode (Figure 6.6) was 21 dB with few frames of 0 dB (no ultrasonic

pulse). The double-layer PVDFWUS was ensured to have good alignment during the resting

and contracting states of the muscle of interest before starting the muscle measurement.

Furthermore, the effect of misalignment could be further reduced by adopting a more robust

signal processing method that improves the accuracy of the thickness changes estimation

with ultrasound RF signals of low SNR. The amplitude peak detection method used in

the conducted measurement has a poor estimation with low SNR signals due to the signal

amplitude variation and the deformation of the ultrasound pulse shape. Some other works

have discussed and investigated different signal processing techniques, such as quadrature

demodulation, for the tissue thickness estimation from the ultrasonic RF signal [260–263].



Chapter 6. In Vivo Experimental Evaluation 197

6.5.3 Ultrasonic PE and TT Modes

The choice between the ultrasonic PE or TT would depend on the thickness and

accessibility to a muscle of interest with regard to its anatomical location and direction of the

muscle fibers. The ultrasonic TT mode measurement would have, in general, a higher SNR

of the received ultrasound RF signals. As the TT mode uses two double-layer PVDF WUSs,

the ultrasound travels from the transmitter WUS to the receiver WUS making a single trip.

Since ultrasound attenuates during the propagation within the tissues due to absorption,

scattering, and/or diffraction, the TT mode has the advantage of measuring thicker tissue

layer as it exhibits a superior SNR in comparison with the PE mode. Indeed, the target

ultrasound signals to measure the total thickness of the lower leg in the PE mode were not

observed under our experimental configuration described in Section 6.3.1. Also, the TT

mode could provide better measurement accuracy of the total thickness of tissue between

the transmitter and receiver WUSs due to the better SNR than PE mode.

The reflected ultrasound signals in the PE mode contain small reflections from different

soft tissue boundaries, which are considered noise signals to the target ultrasound signal.

However, these small reflections could be useful to identify the local motion of a soft tissue

layer such as fat and skin during muscle contractions. For example, Figure 6.26 shows

the M-mode image of the biceps muscle voluntary contraction that was measured in the

PE mode described in Section 6.3.2. The soft tissue boundary at the depth of 5-7 mm

can be observed, which might indicate the fat-muscle interface. The motion of the soft

tissue boundary corresponded to the motion observed at the bone interface at 31-35 mm.

Additionally, some reflections at the depth of 20 mm could be seen. These reflections are

contained in very low SNR signals; however, with an adequate signal processing technique,

they could be quantitatively analyzed.
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Figure 6.26: M-mode ultrasonic measurement of the biceps voluntary contraction in pulse-
echo mode to illustrate local motion of soft tissue boundaries at the depth of 5 – 7 mm,
18 – 20 mm, and 31 – 35 mm.



Chapter 7

Conclusions and Future Research

The following chapter summarizes and concludes the main findings of the thesis, and

provides suggestions for future research.

7.1 Summary of Thesis Research

In this thesis, the development of a wearable ultrasonic sensor has been conducted to

provide a tool for the quantitative assessment of the skeletal muscle contractile properties.

The feature of the developed double-layer PVDF WUS include flexibility, lightweight,

thinness, and smallness in size which allow the steady attachment to the skin surface without

restricting the underlying tissue motion or causing undesirable displacement of the sensor

over the skin surface. Thus, the developed double-layer PVDF WUS is applicable to the

measurement of the muscle contractile parameters during static and dynamic contractions.

The following subsections summarize each chapter of this thesis work.

7.1.1 Numerical Simulation Model

A complete derivation and formulation of the PVDF 3 × 3-matrix expression by [158]

was expanded into 4×4-matrix expressions that are suitable for simulating and characterizing

199
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the double-layer PVDF WUS in Chapter 3. The voltage orientation reversal of the parallel

electrically connected double-layer PVDF and the internal losses of the PVDF piezoelectric

polymer were accounted for in the formulation of the transfer 4 × 4-matrix expression. The

introduced numerical model was used to simulate the double-layer PVDFWUS performance,

such as the operating frequency, frequency bandwidth, acoustic power, and conversion

efficiency, in order to design the double-layer PVDF WUS.

7.1.2 Numerical Study and Design Considerations

A detailed study of the double-layer PVDF characteristics and the effect of non-

piezoelectric layers, such as backing, bonding, and electrode layers for several materials

and layer thicknesses, on the ultrasonic performance was presented in Chapter 4 using the

simulation model developed in Chapter 3. The numerical simulation study has shown that

the double-layer PVDF ultrasonic sensor, that is electrically connected in parallel with the

polarization directions in parallel, resonates at the same ultrasonic frequency and bandwidth

but with four times higher acoustic output power to input voltage ratio in comparison with

a single-layer PVDF of the equivalent total PVDF layer thickness. Also, electrodes of

very high acoustic impedance, such as silver (38.16 MRayls), have shown to substantially

affect the operating frequency and bandwidth of the double-layer PVDF sensor. Where

electrodes of moderate acoustic impedance, such as silver ink (12.24 MRayls), have a less

impact overall. In addition, the bonding layer has been shown to affect the conversion

efficiency negatively and consequently reduces the acoustic output power of the double-layer

PVDF sensor, especially for a bonding material of low acoustic impedance (range of 1

MRayls). Therefore, the selection of an adhesive material of higher acoustic impedance and

the reduction in thickness of the bonding layer would be preferred in order to minimize the
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impact of the bonding layer.

The double-layer PVDF WUS design considered the desired ultrasonic sensor perfor-

mances for muscle contraction monitoring, such as the operating frequency, ultrasound

signal strength, and sensor flexibility and thinness. The considerations, approaches, and

material selections for the double-layer PVDF WUS have been discussed based on the

numerical simulation study. The double-layer PVDF WUS packaging requirement provided

the impetus for finding an approach to isolate the mass-loading of the packaging layers

without impeding the WUS flexibility or increasing its thickness. The numerical study of

the backing layer effect on the double-layer PVDF sensor has shown that the backing of an

acoustic impedance close to that of the PVDF (4.02 MRayls) leads to a substantially lower

efficiency in ultrasonic performance (largest CL) compared to the backing of a very low

acoustic impedance such as air (413 Rayls). This problem was addressed in the double-layer

PVDF WUS design by creating an air gap between the back side of the double-layer PVDF

and the packaging layers to isolate their mass-loading effect. The numerical simulation has

shown that creating an air gap at the backside would make the double-layer PVDF practically

air-backed.

7.1.3 Construction and Experimental Evaluation

The double-layer PVDF WUS was constructed using two 52-µm-thick PVDF layers

with electrode layers of silver ink on the top and bottom surfaces, based on the design

considerations discussed in Chapter 4. The two 52-µm-thick PVDF layers were bonded

using a moderate-viscosity epoxy and were connected electrically in parallel and acoustically

in series with their piezoelectric polarization directions antiparallel. Adhering the two PVDF

layers imposed practical difficulty and demanded careful consideration. Several approaches
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and techniques have been attempted to achieve a thin bonding layer with good uniformity.

The structure of the double-layer PVDFWUS was electrically isolated by an electromagnetic

shielding layer and sealed using a polyimide film with an adhesive except for the ultrasonic

sensing area where the ultrasound is transmitted or received. The constructed double-layer

PVDF WUS was lightweight (less than 1 g), thin (350 µm), and small in size (50 mm × 24

mm). The ultrasonic sensing area was 20 mm × 20 mm. It was constructed using basic

equipment and ordinary hand tools, such as scalpels and a soldering device, and did not

require expensive equipment.

The ultrasonic performances of the double-layer PVDF WUS were evaluated experimen-

tally using an ultrasonic pulse-echo technique with a comparison of the single-layer PVDF

WUS which has the equivalent total PVDF layer thickness. The double-layer PVDF WUS

shows an operating frequency of 6.7 MHz, which is in the preferable frequency range of

medical ultrasound (1-10 MHz). The ultrasonic signal strength of the double-layer PVDF

WUS exhibited 1.7 times greater ultrasonic signal amplitude compared to the single-layer

PVDF WUS.

7.1.4 In Vivo Performance Evaluation and Experimental

Demonstration

The double-layer PVDF WUS was evaluated in the in vivo measurement of the muscle

contractile parameters (Zh, Zc, Zs, Zr, and \c) in comparison to LDS measurement.

In the comparative evaluation, the double-layer PVDF WUS and LDS were employed in

measuring the muscle contractile parameters during the electrically-evoked static contraction

of the bicep muscle by the EMS. The measured periodical tissue thickness obtained by

both methods corresponded to the applied EMS frequency of 2 Hz. The double-layer
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PVDF WUS demonstrated an overall lower variability (CV < 7%) compared to LDS (CV

up to 18.6%) for all the measured contractile parameters. In addition, the influence of

motion artifact on the double-layer PVDF WUS and LDS measurements were investigated.

The LDS measurement was highly susceptible to contamination by the induced body/limb

motion. On the contrary, the double-layer PVDF WUS was substantially less affected by the

motion artifact and maintained the low variability (CV ≤ 8.5%) of the measured contractile

parameters, comparable to the CV values without the induced body/limb motion (CV < 7%).

On the other hand, the LDS measurement demonstrated greater CV values of the measured

contractile parameters (ranging from 22.8% to 82%).

The developed double-layer PVDF WUS was demonstrated in the in vivo quantitative

assessment of the tetanic contraction progression and the dynamic voluntary contractions.

The contractile parameters were successfully extracted from the monitored tissue thickness

changes due to the GCmuscle tetanic contractions at the EMS frequencies of 2 – 10 Hz. Also,

the tetanic contraction progression was quantified by the FI parameter obtained from the

tissue thickness changes at each EMS frequency. The fused and unfused tetanus frequencies

were estimated from the obtained FI-EMS frequency curve. To the best of the author’s

knowledge, no such study has yet been reported using the proposed wearable ultrasonic

method. In addition, the successful extraction of the contractile parameters from the dynamic

voluntary contraction demonstrated the potential advantage of the double-layer PVDF WUS

and ultrasound measurement over the current methods (TMG and LDS).

7.2 Scope and Limitation

This thesis research focused on the development of a wearable ultrasonic sensor for the

measurement of skeletal muscle contractile parameters. The scope of this thesis includes:
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(1) the examination of literature for the applications of muscle contraction monitoring and

the current measurement methods limitations, (2) formulation of the numerical simulation

model of multiple-layer PVDF ultrasonic sensors, (3) the numerical study and the design

considerations of the double-layer PVDF WUS, (4) the construction and experimental

evaluation of the developed double-layer WUS, and (5) in vivo the evaluation of the

double-layer WUS in the measurement of muscle contractile parameters. It is expected

that the proposed ultrasound method and the wearability of the developed double-layer

PVDF ultrasonic sensor could provide reliable measurements of the muscle contractile

parameters by reducing motion artifact and could be applicable to the measurements for both

static and dynamic muscle contractions. However, the in vivo measurements in this thesis

were conducted on a single subject for this stage of research as a preliminary evaluation

of the double-layer PVDF WUS. The preliminary evaluation is the first step to assess

the double-layer PVDF WUS capability and sensitivity to motion artifact and discuss the

measurement limitations. Nevertheless, with the results obtained in this thesis research,

future research is encouraged to investigate the reliability of the double-layer PVDF WUS

measurement with multiple subjects, as discussed in the following section of future research.

7.3 Future Research

This thesis worked toward developing a flexible and wearable ultrasonic sensor for

the monitoring of muscle contraction and the measurements of the contractile parameters.

The developed double-layer PVDF WUS and ultrasonic method could be a practical tool

for the quantitative assessment of skeletal muscles during both the static and dynamic

contractions. There is still further research required for the clinical employment of the

developed double-layer PVDF WUS. The suggested future research is listed as follows:
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1) Improvement of Signal Processing Technique

The development of a reliable tissue thickness estimation technique of the A-mode

ultrasound measurement is a highly recommended next step for this research topic.

This thesis research focused on the ultrasonic performance improvement of the

wearable PVDF ultrasonic sensor and its measurement capability. The amplitude peak

detection technique has been used to determine the TOF of the ultrasound pulse in

the experiments conducted in this thesis. It is a simple technique and can achieve

a good estimation of TOF. However, this method is limited to high SNR ultrasonic

signals and it has proved challenging to determine the amplitude peak with low SNR

signals and distorted ultrasonic pulses. A carefully considered signal processing

technique is required for the improvement of the tissue thickness estimation in the

low SNR signal. It would be beneficial to analyze the motion of individual soft

tissue layer quantitatively during the muscle contraction in the ultrasonic PE mode

measurement, in which the desired ultrasonic signals often have a very low SNR.

Several studies have proposed signal processing techniques for the estimation of

the ultrasonic TOF such as quadrature demodulation [264, 265], phase-correlation

[266], and threshold and peak analysis [267]. Preprocessing techniques such as time

gain compensation, Gaussian filtering, and log compression can also be employed

to improve the SNR of the raw A-mode ultrasonic signal [5]. Therefore, a study

to evaluate the above-mentioned techniques for the TOF estimation and develop an

automated signal processing procedure for the double-layer PVDF WUS measurement

is recommended for future research. In addition, it would be advantageous for the

automated processing procedure to provide real-time measurement.

2) In-vivo Experiments and Clinical Trials
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This thesis work provided the in vivo evaluation for the double-layer PVDF WUS

measurement performance with a single subject. Further evaluations with multiple

subjects and with more iteration per subject are required in the next steps. Also,

studies to explore the clinical significance of the measurement of the muscle contractile

parameters during voluntary contractions and physical activities are highly suggested.

Therefore, the studies for reliability and repeatability of the double-layer PVDF WUS

measurement would be performed in accordance with Munro’s statistical methods

[268]. The studies should include the examination of inter-individual variability,

test-retest reliability, long-term stability, reliability of the muscle parameters during

exercises, and correlation of the contractile parameters with the performed muscle

function [30, 103, 104, 247, 250, 269–271]. In addition, investigating the clinical

benefit of the simultaneous measurement of the muscle contractions using the SEMG

and the double-layer PVDF WUS is suggested for the future clinical research. In this

study, clinical grade ultrasound gel couplant was used. Suitable couplant materials

that can last longer needs to be investigated for long-term monitoring. Furthermore,

the feasibility of the double-layer PVDFWUS in the measurement of the cardiac tissue

motion has been conducted and demonstrated in Appendix A. The ability of the

double-layer PVDF WUS to observe the reflected ultrasonic signal from the cardiac

tissue proposes its potential in the prolonged continuous monitoring of the cardiac

wall motion. Thus, a future study is recommended to further explore the application

in cardiac monitoring.

3) Development of Wearable Ultrasonic Measurement System

The long-term objective of this thesis research is the development of a wearable

ultrasonic measurement system for the continuous monitoring of muscle contraction.
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For a wearable system, the sensor is the fundamental element of the system and

essential to the implementation of a body-worn measurement system. The sensing part

of the wearable muscle contraction measurement system may be the most challenging.

Thus, this thesis work focused on overcoming the challenges and limitations imposed

by the measurement of the sensor. There are a number of reported wearable ultrasound

systems for piezoceramic ultrasonic sensors [4, 272]. These systems will be tested to

drive the developed PVDF WUS. However, the PVDF WUS usually requires a higher

voltage excitation pulse than piezoceramic sensors. Also, an ultrasound system with

adjustable impedance matching for different double-layer PVDF WUS sizes would be

desired. Therefore, the development of a wearable pulser/receiver system dedicated

to the double-layer PVDF WUS is required. The recent advancement in electronics

and battery technologies demonstrated in [143, 272–277] support the feasibility of

developing a lightweight and small ultrasonic measurement system.



Appendix A

In Vivo Measurement of Cardiac Muscle

Motion

The demonstrated ability of the developed double-layer PVDF WUS in monitoring

the tissue motion due to the skeletal muscle contraction suggests the potential application

in cardiac monitoring. The measurement of cardiac muscle motion is demonstrated

in this section to assess the feasibility of the double-layer PVDF WUS in monitoring

cardiac mechanical activity. The cardiac tissue motion associated with the cardiac cycle

was monitored by the double-layer PVDF WUS in the ultrasonic pulse-echo mode. In

addition to the ultrasonic monitoring, electrocardiography (ECG) signal was obtained in

synchronization with the ultrasonic measurement as the ultrasonic and ECG signals were

acquired simultaneously by the DAQ system. The double-layer PVDF WUS was attached

to the left third intercostal space, and the ECG electrodes were positioned in the lead II

configuration, as shown in Figure A.1. Figure A.2 shows the M-mode image of the cardiac

tissue measured using the cardouble-layer PVDF WUS (bottom) along with the ECG signal

(top). The cardiac tissue motion was observed at a depth of around 30 mm, in which the

periodic change of the cardiac tissue corresponded with the cardiac cycles obtained from the

ECG signal.
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Figure A.1: Photo of double-layer PVDF WUS and ECG electrodes attachment to skin
surface for the ultrasonic monitoring of cardiac tissue motion in pulse-echo mode.

This measurement demonstrated the ability of double-layer PVDF WUS to observe the

reflected ultrasonic signal from the cardiac tissue. Also, it proposes the potential of the

double-layer PVDF WUS for prolonged continuous monitoring of the cardiac wall motion.

Moreover, monitoring of a particular cardiac region could be achieved with the assistance of

an echocardiography imaging system in locating the optimal position of the double-layer

PVDF WUS on the subject’s skin surface.
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Figure A.2: Monitored cardiac tissue motion. ECG signal (top) and M-mode ultrasonic
measurement of cardiac muscle motion (bottom).
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