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Abstract of the Dissertation 

OPTICAL/ACOUSTIC RADIATION IMAGING (OARI) PROBE DEVELOPED 
FOR EPITHELIAL CANCER DETECTION 

 
Optical/Acoustic Radiation Imaging (OARI) is a novel imaging modality that is being 

developed to interrogate the optical and mechanical properties of soft tissues. OARI 

involves the use of acoustic radiation force (ARF) to generate displacement in soft tissue. 

The optical images before and after the application of the force are used to generate 

displacement maps that provide information about the mechanical properties of the tissue 

under interrogation. Since the images are optical images, they also represent the optical 

properties of the tissue as well. In this dissertation, we propose the use of acoustic 

radiation force with optical coherence tomography (OCT) to provide information about 

both the optical and mechanical properties of soft tissues to assist in the diagnosis and 

staging of epithelial cancer, and in particular bladder cancer. 

To test this new imaging modality, we developed a protocol to produce phantoms that 

possess mechanical, acoustic, and optical properties similar to those of the urinary 

bladder wall. The phantom is made up of gelatin, polystyrene and copolymer 

microspheres, and bovine serum albumin (BSA). The phantom possesses a speed of 

sound of 1591 m/s, an attenuation coefficient of 0.66 dB/cm/MHz, an optical scattering 

coefficient of 1.80 mm-1
 at 1304 nm, a density of 1.054 g/cm3, and a Young’s Modulus of 

17.12 kPa. This phantom was designed as a tool to evaluate the feasibility of OARI for 

detecting the mechanical and optical changes that may be indicative of the onset or 

development of cancer in the urinary bladder. Using the bladder wall phantom model, we 

first demonstrated the feasibility of OARI in the urinary bladder using a bench top OARI 

system. The minimum resolvable OARI displacement of the system was approximately 6 
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µm. A maximum displacement of 84 µm in bladder wall phantoms was observed using 

an ISPTA.3 of 112.1 W/cm2. The bench top OARI was suitable for phantoms and excised 

tissues only, and not for in vivo measurements. To make OARI possible for in vivo 

applications, we designed and fabricated a prototype probe. 

The OARI probe consists of an OCT probe encased in a plastic sheath, a miniaturized 

transducer glued to a plastic holder, both of which are encased in a 10 cm long stainless 

steel tube with an inner diameter of 10 mm. The tube is filled with deionized water for 

acoustic coupling and is covered by a low density polyethylene (LDPE) membrane cap. 

The characterization of the OARI probe yielded an ISPTA.3 of 17.51 W/cm2 at a transmit 

voltage of 100 Vp-p. At this acoustic intensity, we obtained displacements of 7.9 µm, 

5.93 µm, and 2.15 µm for the 3%, 4%, and 5% bladder wall phantoms respectively. The 

corresponding theoretical finite element model (FEM) displacement was 5.8 µm, 5.4 µm, 

and 5.0 µm for the 3%, 4%, and 5% bladder wall phantoms. The FEM displacement and 

the OARI displacement deviated by 26.6%, 8.9 % and 57% for the 3%, 4%, and 5% 

phantoms. The results were comparable to what we obtained from the bench top OARI.  

Future work will focus on utilizing phase-sensitive optical coherence elastography 

(OCE) to obtain the resulting OARI displacements, as opposed to the current cross 

correlation algorithm that was employed in this dissertation. This would improve the 

resolution of the probe, and enable physicians to adequately characterize soft tissues.   

The OARI probe has the ability to characterize phantoms and soft tissue. This could 

prove useful in early epithelial cancer detection. Because the probe is 10 mm in diameter, 

it is currently only useful for skin and oral applications. The probe would have to be 

reduced in size to make it applicable for cancer detection in other internal sites.  
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CHAPTER 1 

INTRODUCTION 

 
 
Optical/Acoustic Radiation Imaging (OARI) is a novel imaging modality that is being 

developed to interrogate the optical and mechanical properties of soft tissues 

simultaneously. OARI involves the use of focused ultrasound waves, or acoustic 

radiation force (ARF), to generate displacement in soft tissue. Images obtained before 

and after the application of the acoustic radiation force are compared to create 

displacement maps and characterize tissue elasticity. These images are obtained using 

high resolution optical imaging modalities, such as Optical Coherence Tomography 

(OCT), which measures the intensity of back-scattered infrared light and produces sub-

surface images with a resolution of 10 – 20 µm or less [1]. 

In this dissertation, we propose the use of acoustic radiation force with optical 

coherence tomography (OCT) to provide information about both the optical and 

mechanical properties of soft tissues to assist in the diagnosis and staging of epithelial 

cancer, and in particular bladder cancer. Although it is still unclear how closely the 

changes in the optical properties of the tissue can be correlated with progression of the 

disease, research has shown that cancer changes the mechanical properties of tissue. For 

example, it has been demonstrated that breast cancers can be three to ten times stiffer 

than the surrounding breast tissue [2-4]. 

The purpose of this thesis is to develop an OARI probe for use in epithelial cancer 

detection. The thesis comprises of five main objectives, as outlined below: 

•  Development and Characterization of Tissue-Mimicking Bladder Wall 
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Phantoms 

•  Demonstrating the feasibility of OARI on Bladder Wall Phantoms 

•  Validation of Experimental Results with Theoretical Models 

•  Design and Fabrication of OARI Prototype Probe  

•  Characterization of OARI Probe on Bladder Wall Phantoms 

 

Chapter 2 provides the background information required to appreciate and understand 

the scope of this thesis. Since the OARI probe was being developed for epithelial cancer 

detection, the function and types of epithelial cells are discussed. Cancer of the 

epithelium is also presented. The current methods and limitations of epithelial cancer 

detection are presented next to provide an understanding of the niche OARI hopes to fill. 

Chapter 3 gives a detailed discussion OCT, the theory, advantages and disadvantages of 

the imaging modality, as well as its applications. Chapter 4 provides information on 

elastography, a technique used for investigating the mechanical properties of tissues. 

Chapter 5 focuses on acoustic radiation force and its effect on tissue.  

 
The development of novel imaging systems often requires the use of tissue-mimicking 

models or phantoms for initial testing and system optimization. Since the epithelial tissue 

is found in many different organs in the body, the research focused on a single organ that 

possessed the epithelium. The organ that was selected was the human urinary bladder. In 

order to explore OARI of the bladder, it was necessary to develop a model that possessed 

the mechanical, acoustic, and optical properties of the human bladder. A tissue-

mimicking bladder wall phantom, comprised of bovine serum albumin (BSA), 

polystyrene and copolymer microspheres in a gelatin matrix, was developed and 
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characterized. The protocol for developing the bladder wall phantoms is presented in 

Chapter 6, as well as the mechanical, acoustic, and optical properties of the phantom. 

 In Chapter 7, the feasibility of OARI is demonstrated on the bladder wall phantoms 

developed in the previous chapter. OARI is performed using a bench top OCT system 

and a custom-built, fully characterized 5 MHz transducer with a 25.4 mm diameter and a 

focal length of 4.3 cm, which acted as the ARF source.  The acoustic output of the 

transducer was characterized using an Acoustic Radiation Force balance, following the 

guidelines on acoustic output measurements in NEMA Standards Publication UD 2-2004. 

Finite Element Model (FEM) analysis was applied to obtain a suitable theoretical model 

for OARI. The theoretical model to validate the experimental results of OARI was 

developed using Field II and ANSYS software. OARI experimental results are compared 

with FEM theoretical results for validation of the imaging technique.    

The OARI system utilized in Chapter 7 is unsuitable for endoscopic applications. 

Therefore, Chapter 8 justifies and emphasizes the need for in vivo OARI probe. This 

chapter discusses the steps taken to miniaturize the OARI system to make it suitable for 

endoscopic applications. These steps include: preliminary tests of high frequency 

transducer for adequate ARF generation and the design and fabrication of the prototype 

OARI probe. Chapter 9 presents the results obtained from the characterization of the 

prototype OARI probe. 

Chapter 10 summarizes the objectives that have been achieved so far, and outlines the 

future work that could be done to improve the research carried out in this thesis. 
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CHAPTER 2 

CANCER AND THE HUMAN EPITHELIUM 

 

The OARI probe was developed for detection of epithelial cancer. Because of this, the 

anatomy of the epithelium is presented first, because we were primarily interested in the 

application of OARI in the epithelium. The function and types of epithelial cells are 

discussed. Cancer of the epithelium is also presented. The current methods and 

limitations of epithelial cancer detection are presented next to provide an understanding 

of the niche OARI hopes to fill. 

 

 

2.1 THE HUMAN TISSUE  

Tissues are a group of cells that lie together to perform a common function. There are 

four major types of tissue in the human body: epithelial tissues, connective tissues, 

muscle tissues, and nervous tissues. Epithelial tissue covers the body surface and also 

lines tissues inside the body that are accessible to the external world through a hole or 

opening in the body.  The major function of epithelial tissue includes protection, 

secretion, absorption, and filtration. Connective tissue is the most abundant and the most 

widely distributed of the tissues.  Connective tissues perform a variety of functions 

including support and protection.  The following tissues are found in the human body, 

ordinary loose connective tissue, fat tissue, dense fibrous tissue, cartilage, bone, blood, 

and lymph, which are all considered connective tissue.  There are three types of muscle 
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tissue: skeletal, smooth, and cardiac.  Skeletal muscle is a type of muscle tissue that is 

used in the contraction of skeletal parts.  Smooth muscle is found in the walls of internal 

organs and blood vessels.  The cardiac muscle is found only in the walls of the heart. 

Nerve tissue is composed of specialized cells which not only receive stimuli but also 

conduct impulses to and from all parts of the body.  

 

2.2 THE HUMAN EPITHELIUM 

The epithelium is a vascular tissue comprised of cells that cover the exterior surfaces 

of the body and line the body surface and those body tubes that communicate with the 

exterior (the alimentary, respiratory, and gastrointestinal tract). The cells in the epithelial 

tissue readily divide to make more cells. Epithelial tissue lies on a basement membrane 

(see Figure 2.1).  The bottom edge of the epithelial tissue abuts the basement membrane, 

and is called the basal surface.  The edge of the epithelial tissue that faces the lumen (or 

the outside world) is called the apical surface [5].  

 

Figure 2.1: Characteristics of the human epithelium, from [5] 
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Epithelial cells are bound together in sheets of tissue called epithelia. These sheets are 

held together through several types of interactions, including tight junctions, adherens, 

desmosomes, and gap junctions. One type of junction found only in epithelium is the 

tight junction. Epithelia form the structure of the lung, including the alveoli where gas 

exchange occurs. The epithelium lines most organs in the digestive and urinary system, 

such as the oral cavity, esophagus, stomach, small intestine, pancreas, kidney, and the 

urinary bladder. Epithelial cells are also found in ducts and glands, such as the bile duct 

and the salivary glands. They also act as sensory receptors: they form taste buds, line the 

nose and are found in the ear and eye. The epithelium is also found in female 

reproductive organs and the skin [6]. The major functions of the epithelium include: 

1. Boundary and Protection 

2. Sensory 

3. Transportation 

4. Absorption 

5. Secretion and Lubrication 

6. Movement 

 

2.3 TYPES OF EPITHELIAL TISSUE 

There are several types of epithelial tissue: simple squamous epithelium, simple 

cuboidal epithelium, simple columnar epithelium, stratified squamous epithelium, 

stratified cuboidal epithelium, and stratified columnar epithelium. The different types of 

epithelial tissue are shown in Figure 2.2. 
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Figure 2.2: Types of Epithelial Tissues, from [5] 

 

The simple squamous epithelium consists of only one row of cells and is so thin that it 

offers no protection. Its function is to allow materials to pass through. Simple squamous 

epithelia are found in capillaries, alveoli, glomeruli. The simple cuboidal epithelium 

offers some protection and is more prevalent when material must be secreted and 

absorbed.  Simple cuboidal epithelial cells are cubelike with large, spherical central 

nuclei. They are found on the surface of ovaries, the lining of nephrons, the walls of 

the renal tubules, and parts of the eye and thyroid. The simple columnar epithelium offers 

protection for underlying tissue. It is found were protection is required and where 

secretion occurs (e.g in the stomach, small intestine and large intestine). Stratified 

epithelium is made up of layers of cells. Stratified squamous epithelium is made up of so 

many layers of cells that it offers protection to the underlying tissue. The stratified 

squamous epithelium is found in the outermost layer of the skin and the inner lining of 

the mouth, esophagus, and vagina. The stratified cuboidal epithelium where secretion is 
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important, such as the ducts of sweat glands, mammary glands, and salivary glands. The 

stratified columnar epithelium is a rare type of epithelial tissue composed of column 

shaped cells arranged in multiple layers. Stratified columnar epithelia are found in 

the ocular conjunctiva of the eye, in parts of the pharynx and anus, the female's uterus, 

the male urethra and vas deferens [5]. 

 

2.4 CANCER OF THE EPITHELIUM 

 

Cancers originating in epithelial tissues are estimated to account for a majority of the 

cancer cases and deaths in the United States in 2011 [7].  The treatment outcomes and 

survivability of these cancers have been shown to improve significantly with early 

detection. Table 2.1 lists the sites of epithelial cancer and their estimated impact on the 

United States in 2011. The oral cavity and pharynx includes the tongue, mouth, pharynx, 

and other oral cavity. The digestive system includes the esophagus, stomach, small 

intestine, colon, anus, anal canal, anorectum, liver, bile ducts, gall bladder, pancreas, and 

other digestive organs. The respiratory system includes the larynx, the lung, bronchus, 

and other respiratory organs. The genital system includes the uterine cervix, uterine 

corpus, ovary, vulva, prostate, testis, vagina, penis, and other genital organs. The urinary 

system includes the urinary bladder, kidney and renal pelvis, ureters, and other urinary 

organs.  

Since epithelial tissue protects the body from the environment, it has a high turnover 

of cells and, consequently, a greater chance of cell mutation. The basement membrane  

separates epithelial tissue from the next layer of tissue within the organ. If lesions of 
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cancerous cells within the epithelium are detected and removed before they penetrate 

through the basement membrane, the cancer can be prevented from metastasizing to other 

organs. In other words, removing precancerous lesions prevents the formation and 

progression of invasive cancer. The earlier the cancer is detected in these organs, the 

higher the survival rate and prognosis for the patient. 

 
Table 2.1 Estimated New Cases and Deaths for Various Cancer Sites containing 
Epithelial Tissue [7]. 

Cancer Site 2011 Estimated New 
Cases 

2011 Estimated Deaths 

Oral Cavity and Pharynx 39,400 7,900 

Digestive System 277,570 139,250 

Respiratory System 239,320 161,250 

Genital System 338,620 63,980 

Urinary System 132,900 28,970 

All Sites 1,596,670 571,950 
 

 

 

 

2.5 METHODS FOR DETECTING EPITHELIAL CANCER 

   

2.5.1 Tumor Marker Tests 

Tumor marker tests measure the level of substances released by tumors. However, 
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tumor marker tests are used mainly to look for cancer in people who already have signs 

or symptoms of cancer, or in patients who have had cancer removed to check for cancer 

recurrence. Tumor marker tests are not 100% effective.  

 

2.5.2 Video Endoscopy 

Endoscopy is the examination of interior body organs through an endoscope. It is a 

minimally invasive diagnostic medical procedure for accessing interior surfaces of organs 

by means of an endoscope. An endoscope is a medical device consisting of a long, thin, 

flexible (or rigid) tube which has a light and a video camera (see Figure 2.3). Images of 

the inside of the patient's body can be seen on a screen. There are various types of 

endoscopy, depending on the tissue being imaged, as shown in Figure 2.4. Some 

examples include rhinoscopy (endoscopy of the nose), bronchoscopy (bronchi and 

trachea), colonoscopy (colon), cystoscopy (bladder), esophagogastroduodenoscopy 

(esophagus, stomach, and duodenum), hysteroscopy (uterus), laparoscopy (abdomen and 

pelvis), and sigmoidoscopy (rectum and sigmoid colon). 
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Figure 2.3 Fibreoptic Endoscope System, from [8] 

 

 

 

 

Figure 2.4: Types of endoscopy. (a) Esophagogastroduodenoscopy, from [9] (b) 
Cystoscopy, from [10] 
 
 
 
 
Some of the problems encountered during the endoscopy procedure include: 
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Patient Distress: Endoscopy should be terminated quickly if any patient shows distress, 

the cause of which is not immediately obvious and remediable. Many patients have an 

understandable anxiety about choking. The airway should be checked and any residual 

oral sections aspirated. Discomfort may arise from inappropriate pressure during 

intubation, or from distension due to excessive air insufflation. Most sedated patients are 

able to belch; when performing endoscopy under general anaesthesia, it may be wise to 

keep the abdomen exposed so that overinflation can be detected, especially in children. 

Severe pain during endoscopy is very rare, and indicates a complication such as 

perforation or a cardiac incident.  

Getting Lost: The endoscopist may become disorientated, and the instrument looped, in 

patients with congenital malrotations, major pathology (e.g. achalasia, large diverticula 

and hernias, 'cup and spill' deformities) and after complex surgery. Careful study of any 

available radiographs should help. The commonest reason for disorientation in patients 

with normal anatomy is inadequate air insufflation due to a defect in the instrument or air 

pump (which should have been detected before starting the examination.  A curious 

endoscopic view may indicate perforation (which is not always immediately painful). If 

in any doubt, abandon the examination and obtain radiological studies.  

Inadequate mucosal view:  Lack of a clear view means that the lens is lying against the 

mucosa or is obscured by fluid or food debris. The endoscopist should withdraw slightly 

and insufflate air, double check that the air pump is working and that all connections are 

firm. The lens can be washed with the normal finger-controlled water jet. This may not 

be effective if the instrument lens is covered by debris (or mucosa which has been sucked 

onto the orifice of the biopsy channel). Pressure can be released by brief removal of the 
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rubber cap of the biopsy port, but it may be necessary to flush the channel with water or 

air, using a syringe. Small quantities of food or mucus obscuring an area of interest can 

be washed away with a jet of water. Foaming can be suppressed by adding a few drops of 

silicone suspension. Since most patients obey instructions to fast beforehand, the 

presence of excessive residue is an important sign of outlet obstruction. Standard 

endoscope channels are too small for aspiration of food; prolonged attempts simply result 

in blocked channels. The instrument can usually be guided along the lesser curvature over 

the top of the food to allow a search for a distal obstructing lesion. The greater curvature 

can also be examined if necessary by rotating the patient into the right lateral position. 

However, any examination in the presence of excess fluid or food carries a significant 

risk of regurgitation and pulmonary aspiration. The endoscopist should only persist if the 

immediate benefits are thought to justify the risk [8]. 

Unfortunately, some cancerous and precancerous epithelial lesions are either not 

visible with conventional video endoscopy, or the diagnosis is inconclusive [2].  Biopsies 

(tissue sample removal from an organ to look for cancer cells under a microscope) may 

also be performed during this procedure [11].   The major disadvantage of this test is that 

it can miss high grade malignant lesions, such as carcinoma in situ (CIS). Because CIS 

can exist in normal appearing epithelium, random biopsies are often carried out. 

However, the value of doing so is largely unproven. Studies evaluating the role of 

random biopsies of normal appearing epithelium have concluded that they are not useful 

for patients with low grade papillary tumors, but may be useful for patients with high 

grade tumors and patients with a history of CIS [12]. Because of its superior image 

resolution, OARI has the potential to detect these small flat lesions that may be missed by 
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video endoscopy. 

 

 

2.5.3 Confocal Microscopy 

 

In vivo confocal microscopy is a promising new technology that has emerged as a 

potential tool for detecting pre-cancerous changes without the need for biopsy. The 

methodology is especially suited to detecting epithelial cancer because of its unique 

optical sectioning property. The problem is that conventional microscopes are severely 

limited in their ability to image thick biological samples. This is because of the highly 

scattering nature of tissue, which allows illumination light to be reflected from all points 

within the sample. Under such conditions, light returning from out-of-focus planes 

overlaps light returning from in-focus planes, causing a significant reduction in image 

quality. By contrast, confocal microscopes are capable of rejecting most of the light from 

out-of-focus planes, providing high-quality images from within a thin section of the 

sample. Moreover, since confocal microscopy is capable of penetrating up to 

approximately 200 µm inside human tissue, it is sufficient to analyze the epithelial 

thickness. In vivo, confocal microscopy has the potential to assess tissue architecture and 

morphology with contrast and resolution similar to that provided by standard 

histopathology and, therefore, appears to be an excellent choice for optical biopsy [13]. In 

epithelial structure, resolution of 1 µm has been achieved with a 200 – 400 µm field of 

view and a penetration depth of up to 500 µm. To allow confocal microscopes to be used 

in vivo, recently there have been efforts to adapt this technology using fiber-optic 
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bundles. The use of this technology in conjunction with conventional endoscopes has 

given rise to an instrument called the confocal microendoscope (also called endo-

microscope).  

Confocal imaging with reflected light allows for detailed images of cell morphology 

and tissue architecture using backscattering by various tissue components to provide 

contrast. Figure 2.5 shows the histological and confocal images of squamous cell 

carcinoma (SCC) of the soft palate. The resolution of the confocal images is similar to 

that of the histological images [14]. 

 

 

Figure 2.5: Confocal and histological images of invasive squamous cell carcinoma (SCC) 
of the soft palate, from [14] (a) Low-magnification histological image (b) high-
magnification histological image (c) Confocal image (d) High-magnification histological 
image (e) Confocal image. 

 

The resolution of confocal imaging is better than of OARI. However, OARI has the 

potential to provide mechanical information of the tissue under interrogation. This is not 
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possible with confocal imaging. In addition, OARI has a greater penetration depth when 

compared to confocal imaging (2 mm as opposed to 500 µm). OARI also has a greater 

field of view than confocal imaging (2 mm as opposed to 400 µm). Other imaging 

modalities such as computed tomography, magnetic resonance imaging, and ultrasound 

imaging can be used to detect advanced cancerous tumors, but these modalities are 

unable to detect early stage cancer and so are not suitable for epithelial cancer detection. 

 

2.6 CONCLUSION 

There are several methods for detecting epithelial cancer.  These include tumor marker 

tests, video endoscopy, confocal microscopy, computed tomography, magnetic renounce 

imaging, and ultrasound imaging.  OARI is a novel imaging modality uses acoustic 

radiation force with optical coherence tomography (OCT) to provide information about 

both the optical and mechanical properties of soft tissues to assist in the diagnosis and 

staging of epithelial cancer. The superior resolution of OCT enables OARI to offer 

greater assistance in epithelial cancer detection. While confocal microscopy offers the 

same resolution as OARI, it has a smaller field of view and lower penetration depth. 

Therefore, OARI has the greatest potential in epithelial cancer detection than any of the 

other imaging modalities identified in this chapter. 
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CHAPTER 3 

OPTICAL COHERENCE TOMOGRAPHY (OCT) 

 

The optical imaging method used in this research is Optical Coherence Tomography 

(OCT). First, an overview of OCT is presented. The theory, types of OCT, resolution and 

light source are discussed next. The advantages and disadvantages of OCT are briefly 

highlighted, followed by the current applications of the imaging modality.  

 

 

3.1 INTRODUCTION TO OCT 

 

Optical Coherence Tomography (OCT) is a relatively new imaging modality that is 

analogous to ultrasound B-mode imaging, except that it measures the intensity of back-

scattered near infrared light instead of sound waves. OCT provides noninvasive, real-

time, cross-sectional, micron resolution images of biological tissues [15, 16]. A 

resolution of 3 µm has been demonstrated in OCT for retinal imaging [17]. Probing 

depths of OCT exceeding 2 cm have been achieved in transparent tissues such as the eye 

[18]. However, since most biological tissues are non-transparent and exhibit high levels 

of scattering of near infrared light, penetration depths in these tissues lie between 1 - 2 

mm [19]. Figure 3.1 shows an OCT image of a human finger print. This figure illustrates 

the shallow penetration depth of OCT in non-transparent biological tissues. The image in 

Figure 3.1 was made using our Fourier Domain Optical Coherence Tomography (FD-

OCT) system.  
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Figure 3.1: OCT image of a human finger print 

 

 

 

3.2 THEORY OF OCT 

In ultrasound, the time delay of the reflected sound wave is measured and used to 

generate image depth, since the speed of sound is known and is relatively slow (1540 

m/s). However, for OCT, the velocity of light is very high (3 * 108 m/s), making it 

challenging to directly measure the time delay of reflected light.  Instead, interferometric 

techniques are employed.  Figure 3.2 depicts the standard schematic of an OCT system. 

The set up typically consists of a low coherence, broad bandwidth light source, and an 

interferometer (usually a Michelson-type interferometer).   

 

4 mm 

Epidermis 
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Figure 3.2: Schematic illustration of a typical OCT system, from [20] 

 

In the Michelson interferometer, the light from the optical source is split into two by a 

beam splitter. One portion goes into the reference arm of the interferometer, and the other 

goes into the sample arm of the interferometer. Light is reflected back from a mirror in 

the reference arm, and also from the sample in the sample arm. The reflected light from 

both arms are recombined by the beam splitter and sent to the detector. Interference 

between the two signals occurs only when the optical path lengths are matched between 

the two arms of the interferometer within the coherence length of the light source.  The 

coherence length is the propagation distance from a coherent source to a point where the 

light maintains a specified degree of coherence. The significance is that interference will 

be strong within a coherence length of the source, but not beyond it. Because of this, the 

position of the reference arm determines the depth in the sample from which the 

magnitude of the reflection is measured. Scanning the reference arm mirror acquires a 
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single axial scan of reflection data from the sample. If the beam in the sample arm is 

scanned laterally across the sample, or the sample is moved in the lateral dimension 

(linear scan), multiple axial measurements can be made, which yields a two-dimensional 

data set corresponding to a cross-sectional image (X-Z axes scan), whereas an area scan 

achieves a three-dimensional data set corresponding to a volumetric image (X-Y-Z axes 

scan). 

 

3.3 TYPES OF OCT 

3.3.1 Time Domain OCT (TD – OCT) 

In time domain OCT, the reference arm of the interferometer is translated 

longitudinally in time to obtain each axial scan or A-scan. The quality of the OCT image 

is dependent on the acquisition speed. The acquisition speed in time domain OCT is 

limited by how fast the reference arm of the interferometer can be physically translated 

longitudinally.  

The primary disadvantage of TD-OCT is the moving mirror on the reference arm and 

resultant slower acquisition speed. As the number of A-scans increases, the scan time 

increases. Therefore, on a TD-OCT machine, there is a trade-off between long- and short-

duration scans. A long-duration scan may provide better scan density, giving the 

appearance of better transverse resolution, since there are more scans and therefore more 

detail. On the other hand, the more A-scans acquired, the longer the scan time and the 

higher the likelihood of tissue motion induced artifact. Shorter-duration scans have lower 

transverse scan densities but are less susceptible to motion artifact [20, 26]. 
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3.3.2 Frequency Domain OCT (FD-OCT) 

 
In frequency domain OCT, the interference signal of the reference beam and the 

sample beam is acquired with spectrally separated detectors in one of two ways: by 

encoding the optical frequency in time with a spectrally scanning source, or with a 

dispersive detector like a grating and a linear detector array. Without moving the 

reference arm, depth scan can be immediately calculated by a Fourier-transform from the 

acquired spectra due to the Wiener-Khintchine theorem, which states that the power 

spectral density is the Fourier transform of the corresponding auto-correlation function 

[21 - 23]. 

 3.3.2.1. Swept Source OCT (SS-OCT) 

Swept source OCT is a frequency domain OCT technique that measures the magnitude 

and time delay of reflected light in order to construct depth profiles  

(A-scans) in the sample being imaged. In swept-source OCT, the broad bandwidth optical 

source, which affects the axial resolution of the OCT image, is replaced by a rapid-

scanning laser source. By rapidly sweeping the source wavelength over a broad 

wavelength range, and collecting all the scattering information at each wavelength and at 

each position, the composition of the collected signal is equivalent to the spectral-domain 

OCT technique. Inverse Fourier is performed to obtain the spatial depth-dependent data 

[24, 26].  

 3.3.2.1. Spectral Domain OCT (SD-OCT) 

In spectral-domain OCT, the combined signal from the reference and sample arm is 

processed by a spectrometer, composed of a grating, lens system, and line scan camera. 

The reference arm mirror is path-length matched, but held fixed. SD-OCT extracts 



 

 22 

spectral information by distributing different optical frequencies onto a detector stripe 

(e.g. line-array CCD) via the diffraction grating and lens system. The full depth scan can 

therefore be acquired within a single exposure [25, 26].  

Both SS-OCT and SD-OCT demonstrate superior sensitivity (signal-to-noise ratio) 

when compared with TD-OCT. SS-OCT and SD-OCT are also able to acquire data much 

faster than TD-OCT.  The increased image acquisition speed minimizes motion artifacts, 

and results in higher quality images. This faster speed allows for 3D data sets to be 

gathered, composed of a series of rapidly acquired two-dimensional cross-sectional 

images (B-scans). The 3D data sets can then be manipulated to allow more intuitive 

visualization of the structure in the data.  

 

 
 

3.4 RESOLUTION 
 
3.4.1. Axial Resolution 
 
The axial (depth) and transverse (lateral) resolution of OCT are independent from one 

another. The axial resolution is determined by the coherence length of the source and is 

inversely proportional to the spectral bandwidth. For an optical source with a Gaussian-

shaped spectral distribution, the coherence length is given by: 

   Δz =  2 ln 2 *   λ2     (3.1) 
      π  Δλ 
 
 
Where λ is the central wavelength, Δλ is the spectral bandwidth [20]. From equation 

3.3, one can observe that optical sources with broad bandwidths results in high axial 

resolutions.  Higher axial resolutions can also be achieved by decreasing the central 
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wavelength. However, because shorter wavelengths are more highly scattered in 

biological tissue, this results in a decrease in penetration depth [27, 28].  

 
3.4.2. Lateral Resolution 
 
The transverse resolution is determined by the optics of the system. The transverse 

resolution is given by: 

   Δx ≈  4λ *   f      (3.2) 
       π     d 
 
 
Where d is the diameter of the beam size incident on the focusing objective lens and f 

is the focal length [29]. The optical beam can be focused to a small spot (resulting in a 

high transverse resolution) by using optics or an objective with a high numerical aperture. 

However, there is a trade off between the spot size and depth of focus. 

 
The depth of focus is defined by [29]: 
 
   2zR =  πΔx2       (3.3) 
     2λ 
 

 

3.5 OCT LIGHT SOURCE 

The wavelength of the light source affects the penetration depth of OCT. A “biological 

window” exists in tissue for optical radiation with wavelengths between 800 - 1300 nm. 

In this window, attenuation of light is more dependent on scattering than absorption. 

OCT utilizes a low-coherence light source within this range of wavelengths to image 

deep into tissue. Figure 3.3 shows the absorption properties of water at various 

wavelengths. 
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Figure 3.3: The absorption spectrum of water absorption, from [134]. The absorption 
spectrum ranges from 250 to 1000 nm. 

 

 

3.6 ADVANTAGES AND DISADVANTAGES OF OCT 

3.6.1 Advantages 

There are several advantages OCT. The primary advantage lies in the resolution of the 

system. The micron scale resolution achieved by OCT is superior to the resolutions of 

many other imaging modalities, such as magnetic resonance imaging, CT, and 

ultrasound. Another advantage is the relative simplicity and lower cost of the hardware 

on which OCT systems are based, compared to MRI and CT. FD-OCT can provide 

images in near real time, so it demonstrates superior imaging speed compared to CT and 

MRI. OCT does not involve the use of ionizing radiation, unlike X-ray and CT, and so is 

safe to use.  
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3.6.2 Disadvantages 

The major disadvantage of OCT is the millimeter scale penetration depth. Other 

imaging modalities have far superior penetrations depths in the centimeter range. 

However, there are many applications where millimeter scale penetration is more than 

sufficient. For these applications, OCT systems have proved to be very useful. 

 

3.7 CURRENT APPLICATIONS OF OCT 

Although OCT was originally developed for imaging transparent tissues, its usefulness 

for imaging non-transparent tissues was quickly realized [29]. The three major areas 

were: for situations where conventional biopsy is difficult or impossible to perform 

because of hazards, situations where biopsies were ineffective (e.g. early diagnosis of 

esophageal cancer), and for guidance of microsurgical procedures such as blood vessel 

repairs. 

  

3.7.1 Biomedical Applications of OCT 

 3.7.1.1. Ophthalmology 

Ophthalmology is currently the dominant application of OCT in the biomedical field. 

OCT is extremely useful in ophthalmology because the eye is transparent and optical 

access to both the interior chamber and the retina is present.  Figure 3.4 shows a 

pathologic anatomy of the fovea, and an OCT image of a normal human eye. It has been 

found that OCT enables carrying out an “optic biopsy” because it delineates the layers of 

the retina. 
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OCT provides high resolution cross sectional images of the retina and has been used in 

the diagnosis of many retinal diseases, including macular holes, age-related macular 

degeneration (AMD), macular oedema, gluacoma, retinoschisis and retinal detachment 

[30, 31]. OCT is used not only to diagnose ocular diseases, but also to track diseases and 

monitor treatment.  Figure 3.5 shows the OCT image of both eyes of a patient, one 

normal the other with retinal detachment. The OCT image reveals the detached fovea, 

which helps in accurately diagnosis of the patient. 

 

Figure 3.4: Optical coherence tomography of normal macula with different layers of 
the retina labeled, from [32].  

 

 Figure 3.5: Optical coherence tomography (OCT) images of the patient's normal 
macula and of the retina in the other eye with the macular detachment, from [33]. 

 

 3.7.1.2 Dermatology 

In dermatology, OCT has been utilized in identifying skin tumors and inflammatory 

skin diseases. Psoriasis, eczematous skin, and blisters can be identified by OCT.  OCT is 

also used in monitoring the effects of treatments in dermatology, since topical treatment 
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influences the optical appearance of the skin [34]. Because of its high resolution, OCT 

allows for the investigation of the stratum corneum, the epidermis and the upper dermis, 

skin appendages and blood vessels. 

 

 3.7.1.3 Gastroenterology 

Gastroenterology is the branch of medicine that studies the normal function and 

diseases of the gastrointestinal tract. This includes organs such as the esophagus, 

stomach, small intestine, colon and rectum, pancreas, gallbladder, bile ducts and liver. 

In the esophagus, Barrett's esophagus (BE) is a major risk factor for the development 

of esophageal adenocarcinoma (cancer of the esophagus). Barrett's esophagus refers to an 

abnormal change (metaplasia) in the cells of the inferior portion of the esophagus. The 

normal squamous epithelium lining of the esophagus is replaced by metaplastic columnar 

epithelium. Columnar epithelium refers to a cell type that is typically found in more distal 

parts of the gastrointestinal system. For patients with known BE, periodic endoscopic 

surveillance to detect intramucosal carcinoma (IMC) and high-grade dysplasia (HGD) 

(IMC/HGD) is usually recommended. A study conducted by Evans et al. [35] 

demonstrated that OCT can be used to assess esophageal epithelial surface maturation 

and gland architecture to accurately diagnose IMC and HGD in patients with BE. Gastric 

adenocarcinoma is the most important tumor of the stomach, accounting for 90% to 95% 

of all stomach cancers. OCT has also proven useful in detecting this particular cancer 

[36]. 

OCT has been utilized to provide high-resolution, cross-sectional imaging of the 

pancreatico-biliary ductal system during routine endoscopic procedures and has been 
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proven to be a highly sensitive and specific means of identifying neoplastic tissue and 

distinguishing between non-neoplastic and neoplastic tissue [37]. OCT has also been 

investigated in detecting dsyplasia or cancer in the colon [38-40].  

 

 3.7.1.4 Intra-arterial Imaging 

In intra-arterial imaging, OCT has been used to identify high risk coronary plaques 

and to guide interventional procedures (e.g. provisional stenting). Fujimoto et al. [41] 

demonstrated the use of OCT in intra-arterial imaging for defining the arterial structure of 

a rabbit aorta on a micron scale. Fujimoto observed that the system obtained no 

significant structural information of the rabbit aorta unless simultaneous injections of 

saline were performed to displace the blood in the vessel. This was attributed to the large 

numbers of light scatterers or red blood cells present in the blood. The author also 

observed that the resolution of the catheter OCT system was superior to that of Intra-

vascular Ultrasound (IVUS) system (16 µm for OCT compared with 109 µm for IVUS). 

 
 3.7.1.5 Dentistry 

In dental restoration, a prosthetic is prepared to replace one or more missing teeth. 

OCT has been evaluated for use in detection and analysis of possible fractures in several 

fixed partial dentures [42]. Utilization of OCT will save time and resources by 

eliminating prostheses with defects before being mounted in the patient’s oral cavity and 

also to identify the gaps in direct composite restorations. Periodontal tissue contour, 

sulcular depth and connective tissue attachment are visualized at high resolution using 

this technology [43]. Because OCT reveals micro structural detail of the periodontal soft 

tissues, it offers the potential for identifying active periodontal disease before significant 
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alveolar bone loss occurs [44]. OCT also offers a potentially more sensitive method for 

detecting
 
recurrent caries. 

 

 3.7.1.6 Haemostatic Therapy 

Wong et al. [45] used color doppler optical coherence tomography to visualize and 

measure blood flow in subsurface vessels in vivo in a rat skin flap model before and after 

the application of haemostatic interventions (epinephrine or sclerosant injection, heat 

probe, and laser).  Subsurface blood vessels were easily visualized in cross-section, and 

vessel diameter and bidirectional blood flow velocity were readily measured. Potential 

future clinical applications include monitoring of the response to haemostatic modalities. 

Hereditary hemorrhagic telangiectasia (HHT) is characterized by abnormal vasculature 

that manifests as mucocutaneous telangiectases (MCT) and visceral arteriovenous 

malformations (AVM). Doppler optical coherence tomography can demonstrate micro 

vascular blood flow at flow rates as low as 20 µm/s, which is up to approximately 100 

times more sensitive than Doppler ultrasound. Tang et al. [46] utilized Doppler OCT to 

gain more knowledge and experience in HHT. 

 

 3.7.1.7 Neuroimaging 

In the field of neuroimaging, OCT has demonstrated its effectiveness in neurobiology, 

cellular imaging, brain tumor imaging, and image-guided surgery for the repair of 

peripheral nerves [27]. In developmental biology, OCT has been used to image 

development in single specimens at specific time points during development. OCT has 

also been used for differentiating normal cortex from experimentally induced cortical 
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dysgenesis in the adult rat neocortex [47]. OCT also enables cellular imaging and the 

time-lapse imaging of cellular processes like mitosis and migration [48]. 

 

 

 
 3.7.1.5 Epithelial Cancer Detection 

Epithelial tissues line the surfaces of the human body, both internal and external. 

Endoscopic methods are used to detect and diagnose cancers that originate in many of the 

internal epithelial tissues. Internal sites of epithelial cancer include the oral cavity and 

pharynx, the digestive system, the respiratory system, and the genital and urinary systems 

[49]. Recently, OCT has shown significant promises regarding its application for 

detection, diagnosis and staging of epithelial cancer [50–52]. Manyak et al. [51] observed 

a sensitivity of 100% and specificity of 89% in bladder cancer detection using OCT.   

 

3.7.2 Non-Biomedical Applications of OCT 

OCT has a few non-biomedical applications. Dunkers et al. [53] applied OCT for non-

destructive evaluation of highly scattering polymer-matrix composites to estimate 

residual porosity, fiber architecture and structural integrity. Non-destructive evaluation of 

paints and coatings is another non-medical application of OCT. A review of the use of 

OCT for non-destructive evaluation of selected objects of cultural heritage is provided by 

Rouba et al. [54]. 
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3.8 CONCLUSION 

Optical Coherence Tomography (OCT) is a relatively new imaging modality that is 

analogous to ultrasound B-mode imaging, except that it measures the intensity of back-

scattered near infrared light instead of sound waves. OCT provides noninvasive, real-

time, cross-sectional, micron resolution images of biological tissues. The major 

advantage of OCT is its micron scale resolution, which is superior to the resolutions of 

many other imaging modalities, such as magnetic resonance imaging, CT, and 

ultrasound. The major disadvantage of OCT is the millimeter scale penetration depth. In 

the medical field, OCT is currently being used in ophthalmology, dermatology, 

gastroenterology, intra-arterial imaging, dentistry, haemostatic therapy, neuroimaging, 

and epithelial cancer detection (including bladder cancer detection). Since OCT has 

shown promising results in epithelial cancer detection, it was selected as the optical 

imaging modality for OARI. 
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CHAPTER 4 

ELASTOGRAPHY 

 

The use of OCT in epithelial cancer detection was presented in the previous chapter. 

In addition to detecting cancer by utilizing the optical properties of the tissue to detect 

morphological changes, changes in the mechanical properties of the tissue could also 

potentially signify the onset of cancer. For instance, breast cancer sometimes manifests as 

a physical lump in the breast that can be detected on palpation due to its increase in 

stiffness in comparison to surrounding tissue. Because we intend to examine the 

mechanical properties of tissue using OARI, this chapter discusses one major technique 

currently used to investigate the mechanical properties of tissue using imaging, 

elastography. 

 

4.1 INTRODUCTION 

Elastography, or elasticity imaging, involves the compression, stretching or vibrating 

of tissue to determine local disparities in the mechanical properties of the tissue. It is a 

promising imaging technique that uses the application of external force to interrogate the 

mechanical properties of tissue coupled with monitoring the motion with imaging 

[55,56]. 

The Young's Modulus can be used to effectively characterize tissue elasticity, 

assuming the force or stress is small enough that the elastic constants remain linear and 

the stress is applied in one direction only. The tissue is also assumed to be uniform, 
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isotropic and incompressible. The Young's Modulus, E, of tissue is defined as the ratio of 

the axial stress σ, to the axial strain, ε: 

 

     E =   σ     (4.1) 
      ε 

 

The axial stress σ is given by: 

 
     σ =      F      (4.2) 
      A 

 
Where F is the applied force (Newtons) and A is the cross-sectional area (m2). 

The axial strain ε is given by: 

     ε =       ∆L       (4.3) 
       L  
 

Where ∆L is the change in depth and L is the depth. 

In elastography, the tissue under interrogation is deformed or compressed in a 

controlled manner.  Images taken before and during the application of the force are then 

compared to generate displacement and strain maps. 

A key parameter in elastography is the spatial resolution. The minimum spatial 

resolution in elastography differs from the minimum spatial resolution of the images. The 

minimum spatial resolution of the image refers to the size of the smallest possible feature 

that can be detected in the image. The minimum spatial resolution in elastography refers 

to the smallest possible displacement that can be detected in the displacement map or 

elastogram. In this dissertation, the minimum spatial resolution in elastography is also 

referred to as “elastography resolution.”  The elastography resolution is determined by 
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imaging system and the signal processing method employed to generate the displacement 

maps from the images. In ultrasound, elastography resolution is determined by the center 

frequency of the transducer, bandwidth, beam width and signal-to-noise (SNR) ratio. In 

magnetic resonance imaging, elastography resolution is determined by the strength of the 

magnetic field, SNR, pixel size and slice thickness. In OCT, elastography resolution is 

determined by the wavelength and bandwidth of the light source. 

 

4.2 TYPES OF ELASTOGRAPHY 

There are three major types of elastography: strain imaging, sonoelasticity and shear-

wave imaging. 

4.2.1. Strain Imaging 

Static elasticity imaging techniques assess elastic properties of tissues by applying and 

holding a steady mechanical force [57-60]. With ultrasound, the tissue can be compressed 

by applying a pressure with an acoustic transducer. Radio-frequency (RF) imaging data 

are recorded before and after the sudden force application, and the elastic strain is 

estimated. In some clinical ultrasound applications, tissue deformation is generated by 

freehand compression of the tissue with the transducer for ease of use and convenience. 

Strain images are usually obtained by computing the derivative of tissue displacement 

occurring along the axis of the ultrasound beam. To estimate displacement, most 

techniques involve cross correlation analysis or block matching algorithms based on Sum 

Absolute Differences (SAD) or Sum Squared Differences (SSD) [58, 61-63]. 

 

4.2.2 Sonoelasticity 
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Sonoelasticity is the use of a motion monitoring device (e.g. a color Doppler flow 

mapping system) to visualize, in real time, the hardness or stiffness of tissues and organs 

by depicting the tissue's motion in response to an applied vibration source. The applied 

vibration source is usually of low amplitude and low frequency (less than 0.1 mm 

displacement and less than 2000 Hz). Under these conditions, the natural vibration 

response of tissues and whole organs is revealed as a standing wave pattern determined 

by the low-frequency elastic constants of the tissues and their boundary conditions [64].  

 

4.2.3 Shear-wave Elasticity Imaging 

Shear wave elasticity imaging (SWEI) is a new approach to imaging and 

characterizing tissue structures based on the use of shear acoustic waves remotely 

induced by the radiation force of a focused ultrasonic beam. In SWEI, a high intensity 

pulse is sent into the tissue and it generates a shear pressure, which in turn generates a 

shear wave that travels out laterally from the transmission direction. By tracking this 

shear wave with low intensity pulses you can estimate the shear velocity, which is 

directly proportional to the Young's Modulus. In SWEI, compared to other approaches in 

elasticity imaging, the induced strain in the tissue can be highly localized, because the 

remotely induced shear waves are attenuated fully within a very limited area of tissue in 

the vicinity of the focal point of a focused ultrasound beam [65]. 

 

4.2.4 Acoustic Radiation Force Impulse (ARFI) Imaging 

Acoustic radiation force impulse (ARFI) imaging uses high-energy, focused acoustic 

pulses and conventional diagnostic sonography or other imaging methods to measure 
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tissue elasticity. ARFI will be discussed in greater detail in chapter 5. 

  

4.3 ELASTOGRAPHY IN IMAGING MODALITIES 

4.3.1 Ultrasound Elastography 

Ultrasound elastography aims to imitate palpation through the use of acoustic waves. 

Ultrasound uses the echoes produced by high-frequency sound waves to construct an 

image of the tissue under investigation. If a known external mechanical load is applied to 

the tissue, a new kind of contrast that depicts the elastic properties of the tissue is 

obtained [66].  Ultrasound elastography exploits local changes in the elastic modulus of 

tissue as a contrast mechanism for improving the detection of lesions [59, 67-69]. 

Figure 4.1 shows the cranio-caudal (CC) sonogram and elastogram of the breast of a 

patient. Both were taken simultaneously from the same anatomical site. The force was 

applied by pushing down a computer-controlled transducer.  The sonogram shows the 

presence of a single lesion (the dark region). The elastogram, in which stiffer tissues are 

dark and softer tissues are light, shows the same lesion as being hard, and much larger, 

most likely due to desmoplasia that causes hardening only around cancerous lesions. 

Furthermore, a second smaller lesion is detected at 10 o'clock relative to the main lesion. 

This second lesion is visible only in the elastogram and not the sonogram. This 

demonstrates the ability of the elastogram to detect tumors in earlier stages of 

development [70] 
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Figure 4.1: Sonogram and elastogram images of a patient's breast, from [70]. 
 

While Ultrasound elastography has shown some promise, it is limited by its resolution. 

The reported minimal spatial resolution of ultrasound elastography is in the order of 180 

nm at 7.2 MHz [71]. 

 

4.3.2 Magnetic Resonance Elastography (MRE) 

Magnetic resonance elastography (MRE) is also used for measuring tissue strain [72-

75]. MRE is a non-invasive method to quantify tissue elasticity in vivo by measuring spin 

displacement produced by mechanical vibration. Mechanical wave propagation is highly 

related to the elasticity of the medium and, by measuring the wave velocity and 

wavelength, the tissue shear modulus and its distribution can be calculated. A computer 

program is used to create a color-coded map (or elastogram) of the tissue under 

investigation, showing the stiffness in various areas [76]. Figure 4.2 shows the 

elastograms of a normal and fibrotic liver obtained using MRE. Stiffness is measured 

inside the area of interest (the red oval in image). The area of interest is determined by 

the organ being investigated for abnormalities. Although MRE is noninvasive and 

sensitive to motion, it is relatively expensive. The minimum spatial resolution reported 

for MRE is 5 mm [77]. 

Lesion 1 Lesion 1 

Lesion 2 
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Figure 4.2: Elastograms of a normal liver (top) and a fibrotic liver (bottom), from [78]. 

 

4.3.3 Optical Coherence Tomography Elastography 

Optical Coherence Tomography Elastography (OCTE) or Optical Coherence 

Elastography (OCE) evaluates the mechanics of intact tissue with a higher spatial 

resolution (10–100 times) than ultrasound, which enables a more precise characterization 

of tissues and, therefore, a more accurate assessment of micro scale variations of elastic 

properties [79]. Figure 4.3 shows an OCE image of the human breast tissue. The B-mode 

OCT image of the breast tissue is shown in Figure 4.3a, along with the corresponding 

histology image shown in Figure 4.4b. The measured elasticity map is shown in Figure 

4.3c along with the elasticity error map shown in Figure 4.3d. In Figures 4.3c & d, white 
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areas denote pixels with OCE signals smaller than an amplitude threshold [80]. 

Figure 4.3: OCE on human breast tissue, from [80]. (a) B-mode OCT image of breast 
tissue. (b) Histology image (c) Map of elasticity by sinusoidally-driven phase-resolved 
OCE. (d) Error map of elasticity. Unit for color bar is kPa. 

 

The elasticity map enables the differentiation of the tumor (right side of the images) 

from the normal adipose tissue (left side of the images) on the micro-scale. The elasticity 

differences observed on the tumor side of the OCE map (differentiated by yellow and 

green colors) cannot be differentiated on the OCT structural image alone. These elasticity 

differences are likely due to the presence of fibroblasts and cancerous cells comprising 

the tumor tissue. This ability to differentiate small biomechanical variations on the micro-

scale may offer the potential for early-stage tumor detection, where it is often difficult to 

differentiate tissue types by the optical scattering properties alone, and certainly when 
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these changes are too small to be detected by more traditional ultrasound or MR 

elastography techniques, or by palpation [80]. The micro-scale of OCE is governed by 

method employed in generating the displacement maps from the OCT images. 

The goal of OCE is to noninvasively, or minimally invasively, quantify meaningful 

mechanical constants of tissues in a manner that provides clinically relevant information. 

Optical elastography offers the potential for increased spatial resolution (i.e. smaller 

lesions may be detected) and better strain resolution (low-contrast elastic modulus 

distributions may be visualized) than other elastographic methods, such as 

sonoelastography [81], elastography [82], spectral tissue strain measurement [83], and 

various methods employing MRI data [84]. Strain resolution on the order of single 

micron has been evaluated in biological tissue optically [85]. However, this increased 

spatial and strain resolution is gained at the cost of decreased probing depth as coherent 

optical methods are limited to the outer few millimeters of tissue. Furthermore, most 

optical elastography methods are limited in that only relatively small areas or volumes of 

tissues may be probed at any one time. Nevertheless, optical methods can still be useful 

in the early detection of neoplastic changes because many of these early changes occur in 

the mucosa and submucosa of the affected organs.  

 

 

4.4 APPLICATIONS OF ELASTOGRAPHY 

4.4.1 Breast Lesion Characterization 

Garra et al. [86] used ultrasound elastography for the examination of breast lesions 

using a 5 MHz linear array transducer. Zhi et al. [87] used ultrasound elastography to 
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differentiate between benign and malignant lesions of the breast, and compared this with 

conventional ultrasound and mammography. They concluded that ultrasound 

elastography is superior to conventional sonography, and furthermore is superior or equal 

to mammography in differentiating between benign and malignant lesions in the breast. 

By combining ultrasound elastography and sonography, accuracy of detection can be 

improved greatly, resulting in the potential to reduce unnecessary biopsy. Motivated by 

the long-recognized value of palpation
 
in detecting breast cancer, Mcknight et al. tested 

MRE in breast cancer detection and concluded that MRE can quantitatively depict the 

elastic properties
 
of breast tissues in vivo and reveal higher shear elasticity in

 
known 

breast tumors [88]. 

 

4.4.2 Thyroid Nodule Characterization 

Thyroid nodules are often found in people living in iodine sufficient areas, with a 

dramatic increase in iodine-deficient areas. Most nodules are benign; less than 5% of 

thyroid nodules are malignant. Cytological examination of material obtained by fine 

needle aspiration (FNA), due to its high sensitivity and specificity, is the gold standard 

for differentiating malignant from benign thyroid lesions. A substantial proportion of 

nodules are incorrectly diagnosed before surgical treatment, and histological examination 

is required. Ultrasound elastography has been applied to study the hardness/elasticity of 

nodules to differentiate malignant from benign thyroid nodules.  Lyshchik et al. [89] used 

ultrasound elastography to differentiate between benign and malignant tumors in thyroid 

gland tumors and compared their findings to the histopathologic analysis. They 

concluded that ultrasound elastography may predict malignancy with 96% specificity and 
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82% sensitivity. Another study conducted evaluated 92 patients with thyroid nodules by 

real-time ultrasound elastography, and reported 97% for sensitivity and 100% for 

specificity [90]. Ultrasound elastography has demonstrated its potential as a tool for the 

diagnosis of thyroid cancer. MR Elastography has been developed to study thyroid gland 

pathology, although its clinical utility has not yet been studied [91]. 

 

4.4.3 Prostate Cancer Detection 

Prostate cancer is the most common cancer in men. It is usually diagnosed using PSA 

testing, digital rectum examination (DRE) and ultrasound-guided biopsy. Only recently 

has elastography been applied in detecting prostate cancer.  A clinical study conducted by 

Konig et al. [92] showed that elastography detected 84% of the 151 positive cancer 

patients in a group of 404 suspected of having prostate cancer. Miyanaga et al. [93] 

studied 20 patients with prostate cancer and obtained a sensitivity of 55% for DRE, 59% 

for trans-rectal ultrasound (TRUS), and 93% for elastography. Thus, elastography offers 

a new approach for investigating stiffness of the prostate and improving the detection of 

prostate cancer.  

 

4.4.4 Assessment of Deep Venous Thrombosis 

Deep venous thrombosis (DVT) is the formation of a blood clot in a deep vein. It 

commonly affects the leg veins (e.g. the femoral vein) or the deep veins of the pelvis. The 

most serious complication of DVT is the dislodgment and travel of the blood clot to the 

lungs, known as pulmonary embolism. The combined incidence of DVT and pulmonary 

embolism occurs in at least 600,000 patients each year, and results in 60,000 deaths in the 
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United States [94-96]. Ultrasound has been the standard for diagnosing DVT for 

approximately the last decade, replacing x-ray venography. Since the stiffness of a clot 

may be related to its age, elastography could potentially allow physicians to determine 

the age of the clot. Age is important because acute and chronic clots behave differently in 

terms of complications and response to treatment. A study performed by Rubin et al. [97] 

on sonoelasticity imaging of acute and chronic DVT concluded that sonoelasticity 

imaging performed at least as well as standard ultrasound. 

 

4.4.5 Assessment of Diffuse Liver Disease 

For many years, liver biopsy was the only method to assess liver fibrosis and has been 

considered the gold standard for this disease [98]. Recently, elastography has been 

utilized for non-invasive evaluation of liver fibrosis in patients with diffuse liver diseases. 

MRE has been applied to assess hepatic fibrosis [99, 100]. Yin et al. [101] demonstrated 

the ability of MRE to differentiate normal liver from fibrotic liver with a high degree
 
of 

accuracy, and that the technique held promise for evaluating
 
the stage of hepatic fibrosis. 

Ultrasound elastography has also been investigated for assessing liver fibrosis. A study 

conducted by Gheonea et al. [102] concluded that real-time ultrasound elastography is a 

very useful method in depicting liver hardness, even though it has been tested 

incompletely in large multicenter studies. 

 

4.4.6 Evaluation of the Myocardium 

Heart failure is a progressive disorder in which damage to the heart causes weakening 

of the cardiovascular system. Early detection of heart failure is critical for reducing the 
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mortality rate associated with cardiovascular impairment. Assessment of ventricular 

pressure dynamics is vital for heart failure diagnosis and prediction of cardiovascular 

health risks [103]. To measure the pressure in the chamber of the heart and obtain 

information on cardiac elasticity, invasive catheterization is performed in a clinical 

setting [104]. Cardiac MRE has been introduced as a noninvasive means for detecting 

relative changes in myocardial elasticity during the cardiac cycle [105-107]. This is the 

first noninvasive mechanical test of cardiac work in the human heart and is potentially 

useful for assessing pathologies associated with increased myocardial stiffness such as 

diastolic dysfunction and hypertrophy. 

 

4.4.7 Plaque Characterization 

Atherosclerotic plaques are deposits of fat and other substances that accumulate in the 

lining of artery walls. The rupture of atherosclerotic plaques can lead to myocardial 

infarction and stroke. In vivo detection of vulnerable plaques is presently limited by a 

lack of diagnostic tools. Intravascular ultrasound elastography is a new technique based 

on intravascular ultrasound and has the potential to differentiate between different 

plaques phenotypes. A study conducted by Scharr [108] found intravascular ultrasound 

elastography had a sensitivity of 88%, and a specificity of 89% for detecting vulnerable 

plaques in postmortem coronary arteries. Identifying vulnerable plaques could help in 

establishing novel methods to reduce the risk of cardiac death. 

 

4.4.8 Musculoskeletal Evaluations 

Elastography has also been applied to evaluate different musculoskeletal disorders. 
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The performance of real-time sonoelasticity (RSTE) in detecting Achilles tendinopathy 

and lateral epicondylitis (tennis elbow) has been investigated [109]. Achilles 

tendinopathy is thought to be due to abnormal tissue repair and tendon weakening, while 

tennis elbow is an inflammation, soreness, or pain on the outside (lateral) side of the 

upper arm near the elbow. It was found that the sensitivity and specificity of RTSE were 

almost identical to ultrasound in diagnosing Achilles tendinopathy. Slightly better results 

for RTSE were obtained for tennis elbow diagnosis. The study revealed that the elastic 

properties of normal tendons are altered under pathological conditions and that this 

distinct intratendinous softening can be detected. It is believed that more lesions could be 

found by using this method instead of conventional ultrasound and that this could result 

in earlier and more accurate diagnoses of tendinopathy. 

 
 
4.4.9 Monitoring Therapy 

Another application of elastography is in monitoring radio frequency ablation (RFA) 

and high intensity focused ultrasound (HIFU) therapeutic treatments. Elastography could 

be used for visualizing the zone of necrosis in tissue resulting from RFA therapy. 

Because heat-ablated tissues are stiffer than normal untreated tissue, elastography may 

prove useful for following up patients who undergo radiofrequency ablative therapy [110, 

111]. Curiel et al. [112] developed an ultrasound elastography imaging system to monitor 

HIFU treatments. This system was used to evaluate the volume of HIFU lesions in the 

prostate of 20 patients, and the finding were compared to MRI data. Although the 

elastography system underestimated the volume of the HIFU lesions measured with MRI, 

Curiel reported a statistically significant correlation between the two methods. 
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4.5 CONCLUSION 

Elastography is a useful technique for characterizing the mechanical properties of 

tissue, and has many clinical applications, especially in early detection of cancer in 

organs such as the breast and the prostate. Based on this, we believe elastography will 

also prove useful in bladder cancer detection. Optical coherence elastography offers 

superior resolution compared to ultrasound elastography and magnetic resonance 

elastography. Therefore, optical coherence elastography is the most appropriate choice 

for investigating the mechanical properties of epithelial tissues and this is the method 

employed in our research. 
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CHAPTER 5 

ACOUSTIC RADIATION FORCE 

 

Acoustic Radiation Force Impulse (ARFI) Imaging characterizes tissue structures 

based on their mechanical response to the radiation force of a remotely-applied focused 

ultrasonic beam. ARFI uses high-energy, focused acoustic pulses and conventional 

diagnostic sonography methods to measure tissue elasticity. In this research, OARI is 

performed using acoustic radiation force to generate tissue displacement. Therefore, this 

chapter focuses on acoustic radiation force, its theory and applications. 

 

 

5.1 INTRODUCTION 

Acoustic radiation force (ARF) is due to the transfer of momentum from an acoustic 

wave to the medium in which it propagates due to the absorption or reflection of the wave 

[113]. For an absorbing medium with plane wave assumptions, the acoustic radiation 

force can be defined by the equation: 

 
    F = 2 * α * I           (5.1) 

     c      
 

Where F is the acoustic radiation force [kg/(s2cm2)], α  is the absorption coefficient of 

the medium [m-1], I is the temporal average intensity [W/cm2] at a given point and c is the 

speed of sound in the medium [114]. Equation 5.1 provides the relationship between the 

temporal average intensity of an acoustic beam, and the resulting radiation force. This 
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equation can be used to model radiation force fields associated with complex intensity 

field geometries by computing or measuring the temporal average intensity at each point 

in a three-dimensional region of interest. The relationship between the radiation force and 

the frequency of the acoustic wave is also included. An increase in frequency results in an 

increase in the absorption coefficient, which leads to greater acoustic radiation force 

values. The high-energy focused acoustic pulses are usually less than 100 µs and the 

tissue displacement is typically between 1 and 20 µm. Peak tissue displacement is 

achieved in less than 1 ms and recovery to original position occurs within 5 ms [114-

115]. 

Figure 5.1 shows ARFI images of a gelatin-based tissue-mimicking phantom with a 

stiff spherical inclusion. The inclusion is not visible in the B-mode ultrasound image, but 

is clearly visible in the ARFI image.  

 

 
Figure 5.1: B-Mode ultrasound image and ARFI image of a gelatin-based tissue-

mimicking phantom with a stiff spherical inclusion (modified from [116]). 
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5.2 EFFECTS OF ACOUSTIC RADIATION FORCE 

 

5.2.1 Thermal Effects 

When an acoustic wave propagates through an absorbing medium, such as tissue, the 

energy of the wave that is absorbed by the medium generates acoustic radiation force. 

However, the absorbed energy also generates heat in the tissue. The temperature rise in 

the tissue can be estimated using the linear bio-heat transfer equation [117, 118]: 

 

  Τ =  κ 2T    –     T      +     qv    (5.2) 

                    τ     cv 
 
 
Where T [0C] is the temperature, Τ [0C/s] is the time rate change in temperature, κ 

[0.00143 cm2 /s] is the thermal diffusivity of soft tissue, τ [s] is the perfusion time 

constant, qv [J/cm3] is the rate of heat production per unit volume, and cv [4200 

mWs/cm/0C] is the heat capacity per unit volume of soft tissue. For ARFI imaging, the 

duration of heat application is very short (<1 ms). Because of this, the effects of perfusion 

can be neglected [112,113] and equation 5.2 can be simplified to: 

 
   Τ =  κ 2T      +     qv        (5.3) 
          cv 
 
 
The heat source function for a continuous wave field of ultrasound can be expressed as 

[117,118]: 
 
 
   qv =  αpo

2      (5.4) 
     ρc 
 

Where α [Np/cm] is the absorption coefficient for soft tissue, ρ [1.0 g/cm] is the density 

∇

∇
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of soft tissue, and c [1540 m/s] is the speed of sound in soft tissue, and po [Pa] is the 

acoustic pressure. For a linearly traveling plane wave, equation 5.4 reduces to [117, 118]: 

 

   qv = 2αI       (5.5) 

 

Where I [W/cm2] is the acoustic beam intensity. 

For a sphere of radius R in an infinite medium, the steady-state temperature rise is 

given by the expression [118]: 

   ΔT = αIR2
      (5.6) 

        K 
 
 

Where K [6.0 mW/cm/C] is the thermal conductivity of soft tissue. The temperature rise 

resulting from the application of ARF has been modeled by Palmeri et al. [119] using a 

simplified version of equation 5.1 in which heat loss due to perfusion and thermal 

conduction is ignored. In this model, equation 5.1 was simplified to [119]: 

 
    T =   qv         (5.7) 
    cv 
 
 
A linear relationship between temperature increase, the application time, and acoustic 

intensity, and absorption coefficient can be obtained from equation 2.7: 

 
   ΔT =    qv  t =       2αI  t    (5.8) 
    cv   cv 
 
 

Where T [C] is the increase in temperature, and t [s] is the heat application time [119]. 

Because ARFI utilizes higher intensity pulses than conventional B-mode ultrasound, 
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there is a higher potential for tissue heating, and the safety of ARFI in clinical 

applications has been a concern. However, because the high intensity pulses have a short 

application time, the amount of energy deposited in the tissue is small and results in a 

temperature increase of less than 0.7 °C [119], which is within the acceptable limit of a 

1.0 °C increase for diagnostic ultrasound [120 – 122]. 

 

5.2.2 Mechanical Effects 
 
The mechanical effects of ultrasound absorption are also known as non-thermal effects 

and are represented by the mechanical index (MI). MI is defined as: 

 
    MI =      pr              (5.9)  
          √fc 
 

Where pr is the peak rarefaction pressure and fc is the center frequency of the acoustic 

wave. 

Acoustic waves with high intensities propagate in tissue with alternating high-pressure 

(compression) and low-pressure (rarefaction) cycles, with rates depending on the 

frequency of the acoustic wave. During the low-pressure cycle, the high-intensity 

acoustic waves create small vacuum bubbles or voids in the tissue. When the bubbles 

attain a volume at which they can no longer absorb energy, they collapse violently during 

a high-pressure cycle. This phenomenon is termed cavitation. 

There are two categories of cavitation: stable and inertial.  With stable cavitation, 

gaseous bubbles vibrate yet the gaseous body pulsates or oscillates because of the 

ultrasound field and remains stable.  A liquid medium eventually forms around the gas 

bubbles and, with the oscillations, begins to stream or flow called micro-streaming.  Cell 
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membranes can undergo disruption because of the stress of micro-streaming.  With 

inertial cavitation, the pressure from the ultrasound field causes pre-existing bubbles or 

cavitation nuclei to expand and then collapse in an implosion that can result in the 

production of reactive chemicals.  During collapse, extremely high pressures on the order 

of hundreds of atmospheres and extremely high temperatures on the order of thousands of 

degrees Kelvin are generated in the vapor phase inside the bubble. The implosion can 

cause damage to the tissue and eventually cause cell death. 

Cavitation is more likely to occur with the use of lower frequencies, as illustrated by 

equation 5.9, and a mechanical index (MI) greater than the recommended limit of 1.9 

[114, 119]. Because ARFI uses higher frequencies that are comparable to those used in 

color Doppler imaging and an MI of less than 1.9, the possibility of cavitation is low 

[114]. 

 
 
 

5.3 CLINICAL APPLICATIONS OF ACOUSTIC RADIATION FORCE 

Since Acoustic Radiation Force Impulse imaging is a type of elastography, the clinical 

applications of acoustic radiation force are similar to the applications of elastography 

discussed in section 4.4 of Chapter 4. Some of the major clinical applications of acoustic 

radiation force include: liver fibrosis staging, prostate imaging, preoperative colorectal 

cancer staging, and breast imaging.  
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5.4 ACOUSTIC RADIATION FORCE AND OPTICAL COHERENCE 

ELASTOGRAPHY 

 

The application of the force in OCT elastography to interrogate in vivo tissue 

mechanical properties can be challenging due to lack of direct access to the tissues of 

interest. Acoustic radiation force has been proposed to address this issue. Current 

research involving acoustic radiation force utilizes ultrasound elastography to measure 

the resulting displacement from the applied force. However, the reported minimum 

spatial resolution of ultrasound elastography is in the order of 180 nm at 7.2 MHz [123], 

while a minimum spatial resolution of 0.15 nm has been reported for OCT phase-

sensitive elastography [124]. Thus, the use of optical coherence elastography to measure 

the resulting displacement generated by the acoustic radiation force will provide a much 

more sensitive interrogation. The combination of ARF and OCE is a novel imaging 

method (also referred to as Optical/Acoustic Radiation Imaging – OARI).  Only one 

report in published literature demonstrated ARF-OCE in strain mapping of the vascular 

wall for plaques [125]. ARF-OCE was demonstrated by simulating the radiation force 

pressure and applying line-by-line elastography to OCT images obtained from a LightLab 

Imaging TM (Westford, MA, USA) M2-CV system with an ImageWireTM 2 catheter 

[125]. The radiation force pressure was simulated, and not physically applied. In our 

research, we intend to design a system that physically applies acoustic radiation force, 

and tracks the resulting displacement using cross-correlation algorithm. In this research, 

the terms ARF-OCE and OARI will be used interchangeably. 

High resolution OCT images combined with remote palpation using acoustic radiation 
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force will enable us to characterize and quantify both the optical and mechanical 

properties of tissue in vivo, monitor and detect changes in these properties due to the 

onset or progression of cancer, and thereby increase the overall sensitivity of early 

bladder cancer detection. The major advantages of OARI include the following: 

1. OARI can provide information about the optical and mechanical properties of in 

vivo tissues. 

2. OARI can be incorporated into existing optical imaging systems. 

3. OARI can be made in small probes. 

 

  

5.5 CONCLUSION 

Acoustic radiation force (ARF) is due to the transfer of momentum from an acoustic 

wave to the medium in which it propagates due to absorption or reflection of the wave. 

Acoustic radiation force provides a non-invasive method to apply the required force for 

elastography in order to interrogate the mechanical properties of in vivo tissues. Since 

optical coherence elastography provides the superior spatial resolution when compared 

with other imaging modalities, a combination of acoustic radiation force and OCE will 

prove invaluable in early detection of cancer in epithelial tissues. 
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CHAPTER 6 

DEVELOPMENT AND CHARACTERIZATION OF BLADDER 

WALL PHANTOM 

 

6.1 INTRODUCTION 
 
 
The development of novel imaging systems often requires the use of tissue-mimicking 

models or phantoms for initial testing and system optimization. The major advantages of 

using quality control phantoms for establishing novel imaging methods include 

reproducibility and uniformity in the evaluation of system performance. Since the 

epithelial tissue is found in many different organs in the body, we decided to focus on a 

single organ that possessed the epithelium. The organ we selected was the human urinary 

bladder. 

This chapter describes the development of a protocol for fabricating phantoms with 

mechanical, acoustic, and optical properties similar to those of the urinary bladder wall. 

The key application of this bladder wall phantom is to evaluate the ability of ARF-OCE 

to interrogate variations in the mechanical and optical properties of a calibrated phantom 

that is very similar to the urinary bladder. 

The Young’s Modulus, E (quantity characterizing stiffness), of human tissue is 

estimated to range from 1 kPa for fat to more than 1 MPa for the epidermis [126, 127]. 

The Young’s Modulus of a phantom is largely determined by the bulk matrix material. 

Two major types of water-based gels (hydrogels) employed for constructing phantoms 

are physical gels (e.g. agar or gelatin) and chemical gels (e.g. polyacrylamide). Physical 

gels are made from physical processes such as heating and cooling, while chemical gels 
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are made from chemical reactions such as polymerization. Physical gels are preferred for 

elastography because they are simpler and safer to prepare than chemical gels [128]. Hall 

et al. [129] have extensively characterized the mechanical properties of agar and gelatin 

hydrogels. Gelatin phantoms have a linear stress-stain curve (for strain less than 10% 

after 4% pre-compression), while agar gels are more non-linear. Variation in the 

concentration of gelatin or agar powder in the solution yields different mechanical 

properties. 

Important acoustic properties of tissue include speed of sound (SoS), mass density, 

and the attenuation coefficient. Hydrogels [128, 130 –133] have been used to acoustically 

mimic tissue. The most common method for measuring speed of sound is the time-of-

flight method, using the pulse transmission time between a transmitter and receiver of 

known separation. Duck provides detailed measurements of the speed of sound in tissue, 

ranging from hard tissues such as bone, to soft tissues and biological fluids [134]. Factors 

that affect the speed of sound include temperature and composition. The mass density of 

tissue is measured using Archimedes’ principle, which states that an object immersed in a 

fluid is buoyed up by a force equal to the weight of the fluid displaced by the object. The 

mass densities of most soft tissue lie within 1.00 to 1.07 g/cm3 [135]. The acoustic 

attenuation in tissue is a result of losses due to absorption and scattering. Generally, an 

acoustic attenuation of 0.5 dB/cm/MHz is considered a good approximation for soft 

tissue, although this value may be lower or higher depending on the particular soft tissue. 

Factors that affect the acoustic attenuation in soft tissue include temperature, frequency 

and tissue composition [134]. 

Cheong et al. [135] provided a detailed review of optical properties of soft tissue. 
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Tissue properties relevant to optical imaging are the scattering coefficient and the 

absorption coefficient. However, a near infrared window used by OCT (between 980 – 

1310 nm) exists, where the absorption coefficient of water is reduced [136 – 138]. Since 

water is the major component of biological tissues, the absorption coefficients of tissues 

in this region are also reduced. Thus, the scattering coefficient is significantly greater 

than the absorption coefficient. Scattering coefficients of tissue are heavily dependent on 

the wavelength of the incident light. For instance, the scattering coefficient of rat liver 

was measured to be 143 cm-1
 at 633 nm and 44.2 cm-1 at 1320 nm [139]. The scattering 

coefficient in an optical phantom is determined by the scattering agent employed. 

Polystyrene microspheres are considered the best scattering agents in phantoms because 

of their well controlled size and suitable index of refraction [140]. Schmitt constructed an 

optical phantom with polystyrene microspheres embedded in a gelatin matrix for optical 

elastography [141] and Rogowska et al. used a blend of agar and gelatin with charcoal for 

OCT elastography of atherosclerotic tissues [142]. 

This chapter presents a method for fabricating bladder wall phantoms that possess 

mechanical, acoustic, and optical properties similar to the urinary bladder. The phantoms 

consist of a gelatin matrix containing polystyrene microspheres for optical scattering, 

copolymer microspheres (acrylonitrile and vinylidene chloride) for acoustic scattering, 

and bovine serum albumin (BSA) to achieve soft tissue attenuation coefficient. 

Characterization of the mechanical, acoustic, and optical properties of the phantoms are 

presented as well as images of the phantoms obtained using ultrasound and OCT imaging 

systems. Phantoms reported to date possess either the acoustic or the optical properties of 

soft tissue, but not both in the same phantom. The novelty of this work is that the bladder 
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wall phantom possesses mechanical, acoustic, and optical properties similar to the human 

bladder. The bladder wall phantom is important as a test model in the evaluation of ARF-

OCE systems that could eventually be utilized in clinical settings. 

 

6.2 MATERIALS AND METHODS 

 
6.2.1 Phantom Design   
 
 
The Young’s Modulus of a phantom is largely determined by the bulk matrix material. 

No previous data was readily available to determine the percentage of gelatin required to 

mimic the Young’s Modulus of the urinary bladder. Therefore, the decision was made to 

construct phantoms from 5%, 10% 15% and 20% by weight gelatin solutions, determine 

the corresponding Young’s Modulus of each, and select the closest match to the urinary 

bladder. Increase in gelatin concentration was expected to result in a corresponding 

increase in the Young’s Modulus. The quantity of BSA required to mimic the attenuation 

coefficient of the urinary bladder was determined from prior published data [133]. The 

attenuation coefficient was observed to increase linearly with increasing BSA 

concentration. 

The optical properties of the tissue-mimicking bladder wall phantom were chosen 

using Mie theory calculations [143] to simulate measured tissue values. The scattering 

coefficient of the human urinary bladder was estimated from OCT images obtained 

during a study conducted at the George Washington University Medical Center [51]. The 

scattering coefficients for the top three layers of the urinary bladder in the OCT images 

were extracted using an algorithm described later in this chapter. Scattering coefficients 
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of 0.49 ± 0.25 mm-1, 2.0 ± 0.7 mm-1, and 1.38 ± 0.7 mm-1
 were obtained for the 

epithelium, lamina propria, and muscle layer respectively. This yielded an average 

scattering coefficient of 1.3 mm-1
 for the top three layers of the urinary bladder. Mie 

theory was then used to determine that a concentration of 5.624 x 107
 and 2.079 x 103

 

spheres/mm3
 for the 0.2 µm and 6 µm polystyrene microspheres respectively, and 8.574 x 

103 spheres/mm3
 for the copolymer microspheres would yield a calculated scattering 

coefficient of 1.3 mm-1. 

A test phantom with just gelatin and copolymer microspheres was made to observe the 

acoustic scattering of the copolymer microspheres. Suitable acoustic scattering was 

observed with a concentration of 4.287 x 103 spheres/mm3
 for the copolymer 

microspheres. Because larger spheres have a larger effect on the optical scattering 

coefficient, the concentration of copolymer microspheres was first selected, and then the 

concentrations of the 0.2 and 6 µm polystyrene microspheres varied until a calculated 

scattering coefficient of 1.3mm-1
 was achieved. 

For the Mie theory calculation, the index of refraction for gelatin was assumed to be 

1.35. The index of refraction of the polystyrene microspheres was determined to be 1.576 

at 1300 nm by Ma et al [144]. For the copolymer microspheres, composed of vinylidene 

and acrylonitrile, we estimated the refractive index of the polymer to be closer to that of 

vinylidene chloride rather than acrylonitrile, because vinylidene is the significantly 

dominant polymer. We assumed 1.44 as the index of refraction for the copolymer 

microspheres, using the refractive index of 1.425 for vinylidene chloride and 1.5187 for 

acrylonitrile. Larger microspheres and an increase in the concentration of microspheres 

should result in higher optical scattering coefficients. 
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6.2.2 Phantom Construction 
 

To construct the bladder wall phantoms, 6.7 g of gelatin powder was placed in a 

beaker and hydrated with 60 g of water to yield 10% by weight gelatin solution. The 

solution was heated to above its melting point (above 40 0C) using a magnetic stirrer and 

hot plate (Cole Palmer Model 260 04803-00) to remove trapped gasses and stirred until 

the powder completely dissolved. The hot plate was then turned off and 1 g of 7.5 µm 

copolymer microspheres (Expancel Inc., Duluth GA, USA) and 18 g of BSA (Sigma 

Aldrich, St Louis, MO, USA) were slowly stirred in at 750 rpm using the magnetic 

stirrer. BSA was added slowly to prevent clumping in the mixture. Finally, 0.6 ml each of 

solutions containing 0.2 µm and 6 µm polystyrene microspheres (Polysciences Inc., 

Warrington, PA, USA) were injected into the solution using a 1 ml syringe. Again, the 

solution was thoroughly stirred and poured into custom designed moulds containing 

wells. The wells were sealed with glass slides and then placed in the refrigerator for 

approximately one hour. 

 

6.2.3 Young’s Modulus Measurements 
 
The measurement of the Young’s Modulus was performed in a manner similar to the 

method described by Schmitt [141]. Analysis of the mechanical properties of bladder 

wall phantoms was conducted approximately 15 minutes after the phantoms were 

removed from the refrigerator. At this time, the approximate temperature of the phantoms 

was 22 0C. Phantoms with dimensions of 1.8 cm by 1.8 cm x 0.4 cm were mounted on the 

tray of the force balance (Sartorius, Springfield, MA, USA) and the starting weight in 

grams was recorded. A computer-controlled actuator (NanoPZTM, Newport Corporation, 
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Irvine, CA, USA) was used to apply known displacements to the sample. Each sample 

was preloaded with 5% strain (200 µm displacement) and then compressed an additional 

10% (400 µm) in increments of 10 µm. For each successive 10 µm displacement, the 

maximum weight shown on the scale was recorded and subtracted from the starting 

weight to yield the net force exerted by the axial displacement. Figure 6.1 contains a 

schematic of the mechanical compression system. 

 

 

 
 

Figure 6.1: Illustration of experimental apparatus used in analyzing mechanical properties 
of phantoms. 

 
 
 
The tensile stress was calculated by: 
 
   Stress =    F     (6.1) 
        A 
 
 

Where F is the applied force from axial displacement and is measured in Newtons. A is 

the surface area of the phantom (0.000324 m2). 

 
The tensile strain is given as: 

 
   Strain =   L     (6.2) 
        e 
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Where e is the total axial displacement and L is the original thickness of the phantom 

(4,000 µm). The stress-stain curve for each phantom was plotted and the gradient 

(Young’s Modulus) of the graph was extracted [141]. 

 

6.2.4 Acoustic Measurements 

For acoustic measurements, the bladder wall phantoms were approximately 2.5 cm x 

2.5 cm x 6.1 cm. Measurements were done with the transmission method utilized by 

University of Wisconsin Laboratory Measurement Procedure (UWLMP) and is described 

in Madsen et al. [145] Propagation speed was measured using displacement of water and 

through-transmission of a 3.5 MHz tone burst pulse. The time shift at a zero crossing was 

monitored when the sample was inserted in the ultrasound beam. Attenuation coefficients 

at 3.5 MHz were measured using a through-transmission water displacement technique, 

with tone burst amplitudes monitored before and after insertion of the sample. 

The phantoms were placed between transmitting and receiving 13 mm diameter 

unfocused transducers operating at a frequency of 3.5 MHz (Panametrics, Waltham, MA, 

USA). The distance between the transmitting and receiving transducers was 9 cm. A 

function generator was used to create sinusoidal pulses composed of 10 cycles with a 

pulse repetition frequency of 100 Hz. The function generator was directly connected to 

the transmitting transducer, supplying a peak-to-peak voltage of 10 V. Both transmitting 

and receiving transducers were connected to an oscilloscope (Tektronix TDS220, 

Richardson, TX, USA) so that the input and output signals could be recorded. 

Transducers and phantoms were immersed in a water bath for proper acoustic coupling. 

To avoid the possibility of water absorption, the desired acoustic parameters were 
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measured approximately 5 minutes after the phantoms were immersed in the water bath. 

Figure 6.2 shows both the schematic and an actual photograph of the acoustic 

measurement configuration. 

 

 

 

Figure 6.2: Experimental setup for acoustic measurement. (a) Schematic diagram 
showing circuit connections. (b) Photo of actual setup. 

 

The speed of sound cp in the phantom was calculated by: 

 

   (6.3)  

     
 

Where d is the total distance between two transducers, dP is the thickness of the sample, T 

is the total time of flight when the sample is present in beam path, and tw is the time of 

flight without sample. T and tw were determined by measuring the time between the start 

of the transmitted waveform and the start of the received waveform in the presence and 

absence of the sample respectively [146]. 
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The amplitude attenuation coefficient αp was given by: 

 
 

   (6.4) 

 
 

Where V is the received amplitude when the sample is present in the beam path, Vw is the 

received amplitude when the sample is not present in the beam path, dp is the thickness of 

sample, and αW is the attenuation coefficient of water at the frequency of interest [146]. 

At room temperature, the attenuation of water αW can be calculated using the following 

equation: 

 
αW   = 0.0002 f 2     (6.5) 

 

 
Where αW is given in Np/cm and f is given in MHz [147]. The room temperature was 22 
0C. 

 
 
 
6.2.5 Optical Measurements 
 
Optical measurements were performed on OCT images of the phantom using a 

Spectral Domain Optical Coherence Tomography (SD-OCT) imaging system similar to 

the one described by Yun et al. [148]. The SD-OCT system utilizes a super-luminescent 

diode with a center wavelength at 1304 nm and a bandwidth of 51.6 nm, resulting in a 

coherence length of 14.5 µm in air. Superluminescence, or amplified spontaneous 

emission, is the emission of light which experiences significant optical gain within the 
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emitting device, and therefore can be relatively intense. The core of the SD-OCT system 

is a Michelson interferometer with the light from the optical source split into two paths 

by a 90/10 coupler. One path contains the scanning arm, which sweeps the beam across 

the sample to obtain the lateral image information, and the other path is a stationary 

reference arm used to create an interference signal with the light returning from the 

sample arm. This interference signal is passed through a spectrometer, which consists of 

lenses, an 1145 lp/mm transmission grating (Wasatch Photonics, Logan, UT, USA), and a 

512 element InGaAs 1-D CCD array (Sensors Unlimited, Princeton, NJ, USA). Fourier 

transform of the spectrometer output is then used to produce the individual lines that 

make up a two-dimensional OCT image. Figure 6.3 is a simplified schematic of an OCT 

system. 

 

 

Figure 6.3: Schematic diagram of a simplified OCT imaging system. 

 

For each OCT phantom image, the mean grayscale intensity at each depth was 

measured and plotted as a function of depth. The scattering coefficient is calculated by 
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   (6.6) 

   (6.7) 
 
 
 

Where I(z) is the intensity as a function of depth, Io is the incident intensity, µt is the total 

attenuation coefficient, z is the penetration depth, µa is the absorption coefficient and µs is 

the scattering coefficient [149]. For most biological tissues in the near infra-red region, 

the absorption coefficient, µa is significantly less than the scattering coefficient, µs. 

Therefore, µt = µa + µs ≈ µs. Graphically, µs can be obtained as the gradient of the linear 

region of the graph of ln(I/Io) versus z. Analysis was conducted on the 10% and 15% by 

weight gelatin phantoms to determine if the absorption coefficient of gelatin was 

negligible. Using the same scatterer concentration, optical scattering coefficients of 2.02 

± 0.13 mm-1
 and 1.97 ± 0.18 mm-1

 for the 10% and 15% by weight gelatin phantoms were 

observed. From this, the conclusion was made that the absorption coefficient of the 

gelatin was negligible. From published tables [131, 132], the absorption coefficient of 

water at 1300 nm is 0.11 mm-1. Since the absorption coefficients of water and gelatin are 

negligible, and the microspheres are pure scattering agents, the assumption that µt ≈ µs can 

also be made for the bladder wall phantom.  

Figure 6.4 illustrates the algorithm implemented in MATLABTM
 (The MathworksTM, 

Natick, MA, USA) to extract the scattering coefficient from the OCT images, adapted 

from Ugryumova et al. [149]. To reduce the effect of speckles in our calculations [150], 

we averaged over approximately 1000 neighboring A-lines. Figure 6.4a is the initial OCT 

image of the phantom. Image preprocessing was performed to select the useful portion of 

the image (see Figure 6.4b). The phantom thickness was then input to the algorithm in 

2
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order to create the depth profile on the x axis. The A-lines were averaged and the mean 

grayscale intensity versus depth in millimeters was plotted in Figure 6.4c. The intensity 

values were normalized by the maximum intensity value (from the reflection at the 

surface of the phantom). After taking the natural logarithm of the normalized intensity, 

the linear region on the graph was manually selected. After performing a linear regression 

analysis on the selected region, we obtained the equation of the linear fit, the scattering 

coefficient, µs, the range of fit, r, and the correlation coefficient, R2. The results from the 

data calculation as well as the graphs were then exported and stored as text files and 

bitmap images respectively. 

 

 

Figure 6.4: Scattering coefficient extraction algorithm. (a) Original OCT image obtained 
from OCT system. Region of Interest (ROI) is selected in (b) with phantom thickness, dp, 
provided by user. In (c), the A-lines are averaged and plotted as a function of depth, with 
intensity normalized to 1. Natural logarithm of the intensity is taken in (c). User is also 
prompted to select linear region in (c). Linear Regression Analysis is performed in (e) 
and algorithm returns scattering coefficient, µs, range of fit, r, and correlation coefficient, 
R2. Extracted average µs for 10 phantom images was 1.80 ± 0.23 mm -1. All R2

 values 
were above 0.98. 
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6.3 RESULTS 

Table 6.1: Published Properties of Soft Tissue Compared with Measured Values of the 
Bladder Wall Phantom  

 
Parameter Bladder Bladder Phantom 
Young’s Modulus (kPa) 16 

 
17.12 ± 2.72 

Density (g/cm3) 1.04 
 

1.054 ±  0.02 

Speed of Sound (m/s) 1611*  
 

1591 ± 8.76 

Acoustic Attenuation 
(dB/cm/MHz) 

0.5 * 0.66 ±  0.08 

†Optical Scattering 
Coefficient, µs (mm-1) 

 

0.49 ± 0.25 (Epithelium) 
2.0 ± 0.7 (Lamina Propria) 
   1.38  ±  0.7 (Muscle 

Layer) 

1.80 ±  0.23 

 
*Values are for human myometrium. The myometrium is the middle layer of the uterine 
wall consisting of smooth muscle cells and supporting stromal and vascular tissue. 
†Values were calculated from data 

 
 
6.3.1 Mechanical Data 
 
Table 6.1 presents the mechanical, acoustic, and optical parameters of the bladder wall 

phantom compared to published data for the bladder. The density of the phantom was 

measured to be 1.054 ± 0.021 g/cm3, varying by 1.35% from the published value of 1.040 

g/cm3
 [134]. The Young’s Modulus of the phantom was 17.12 ± 2.72 kPa, which is 

comparable to the published 16 kPa for the bladder [151]. Figure 6.5 shows the Young’s 

Modulus for phantoms with variations in gelatin concentrations. The Young’s Modulus 

was 11.54 kPa for 5%, 17.12 kPa for 10%, 21.19 kPa for 15%, and 25.09 kPa for 20% by 

weight gelatin phantoms. The correlation coefficient of the linear regression fit for all 4 

concentrations was above 0.98. We selected 10% by weight gelatin as the bulk matrix of 

the bladder wall phantom because its Young’s Modulus was the closest to the bladder. 
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Figure 6.5: (a) Plots of stress-strain curves for varying gelatin concentrations. Each 
curve represents average values from 7 phantoms. The slope of the linear regression 
yields the Young’s Modulus. Error bars represent standard deviation. (b) Young’s 
Modulus vs. Gelatin Concentration. Error bars represent standard deviation. 

 
 
6.3.2 Acoustic Data 

The speed of sound for the phantom was measured to be 1591 ± 8.76 m/s. We found 

no reported acoustic measurements for the urinary bladder in the literature. The acoustic 

data is therefore compared to the human myometrium (muscle layer of the uterus). Both 

the urinary bladder and the myometrium consist of densely packed smooth (involuntary) 

muscle fibers arranged in three layers. The outer and inner layers are arranged 

longitudinally, with the fibers of the intermediate layer arranged concentrically around 

the longitudinal axis [152]. The myometrium was selected for acoustic comparison with 

the urinary bladder because of the similarity in structure and organization. 
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In the literature, the speed of sound in the myometrium was measured to be 1611 m/s 

[146]. The difference between these two is approximately 1.26%. The attenuation 

coefficient for the phantom was measured to be 0.66 dB/cm/MHz, slightly higher than 

the published value of 0.50 dB/cm/MHz for the myometrium [146]. A better 

approximation can be achieved by either lowering the concentration of BSA or simply 

reducing the amount of acoustic scatterers. Lafon et al. [133] measured the acoustic 

properties of polyacrylamide gels with varying concentrations of BSA (3, 5, 7, and 9%), 

and reported an attenuation coefficient of 0.06 Np/cm at 3 MHz (0.02 Np/cm/MHz) for 

9% BSA and noted that the attenuation coefficient increased linearly with increasing 

BSA concentration. From this, we estimated that 30% BSA concentration would yield an 

attenuation coefficient of 0.58 dB/cm/MHz. The slight increase in the measured 

attenuation coefficient of the bladder wall phantom can be attributed to acoustic 

scattering by the copolymer microspheres. 

 

6.3.3 Optical Data 

For the bladder wall phantoms, the average optical scattering coefficient from 10 OCT 

images was 1.80 ± 0.23 mm-1. The scattering coefficients of the human urinary bladder, 

measured from OCT images, were 0.49 ± 0.25 mm-1, 2.0 ± 0.7 mm-1, and 1.38 ± 0.7 mm-1 

for the epithelium, lamina propria, and muscle layer respectively. This yielded an average 

scattering coefficient of 1.3 mm-1
 for the top three layers of the urinary bladder. The 

higher standard deviation of scattering coefficients of the normal bladder images can be 

attributed to the structural variation that exists in real tissues. 
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6.4 DISCUSSION 

 
As indicated in Table 6.1, our measured optical scattering coefficient for the phantom 

was 1.80 mm-1. However, the Mie theory calculation predicted 1.30 mm-1 as the optical 

scattering coefficient. The disparity between the theoretical and measured values can be 

attributed to three factors. First, in the Mie theory calculation, we assumed a mean 

diameter of 7.5 µm for the copolymer microspheres (composed of acrylonitrile and 

vinylidene chloride). In reality, this value ranges from 6 – 9 µm, and could be a possible 

source of error in the calculation. Second, BSA produces minimal optical scattering, 

though it is transparent in ultrasound. This could also account for the increased value of 

the measured optical coefficient. Finally, we assumed an index of refraction of 1.44 for 

the copolymer microspheres, which could also have introduced errors in the Mie theory 

calculation. 

It should be noted that the copolymer microspheres were included in the soft tissue 

phantom because the polystyrene microspheres produced minimal acoustic scattering. 

Phantoms consisting of gelatin and polystyrene microspheres were constructed to confirm 

this and we observed very minimal acoustic scattering in the ultrasound images at a 

frequency of 6 MHz. However, it is possible for the acoustic scattering of the polystyrene 

microspheres to become more significant at higher frequencies. 

The Young’s Modulus of the gelatin phantoms are expected to increase linearly for 

about three months after production due to desiccation [129]. As a remedy, these 

phantoms can be immersed in safflower oil in a flat-bottomed container [153]. The 

bladder wall phantom should also be stored under the same conditions. It is 

recommended that the phantom be kept at temperatures well below 32 0C, as this is the 
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melting temperature of gelatin. It is assumed that the long-term stability of the properties 

of the bladder wall phantom will be preserved if the phantom is handled as described 

above. 

Figure 6.6 shows ultrasound and OCT images of the bladder, as well as the ultrasound 

and OCT images of the bladder wall phantom. The ultrasound and OCT images of the 

bladder wall phantom are images obtained from our research. In the ultrasound image, 

the interior of the bladder appears black because it is filled with non-echogenic urine 

during the imaging procedure. In the bladder OCT image, the epithelium (E), lamina 

propria (LP) and muscle (M) layers are well defined, unlike the bladder ultrasound 

image, due to the superior image resolution of OCT. While the OCT image of the bladder 

wall phantom appears to have similar optical properties when compared with the OCT 

image of the bladder, it does not possess well defined layers.  

 

Figure 6.6: (a) Ultrasound image of the urinary bladder, from [154]. (b) OCT image of 
the urinary bladder. E represents the epithelium, LP is the lamina propria and M 
represents the smooth muscle layer (c) Ultrasound image of bladder wall phantom. (d) 
OCT image of bladder wall phantom. 
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6.5 CONCLUSION 
 
A protocol has been developed for producing phantoms that possess the mechanical, 

acoustic, and optical properties of the urinary bladder wall. The phantom possesses a 

speed of sound of 1591 m/s, an attenuation coefficient of 0.66 dB/cm/MHz, an optical 

scattering coefficient of 1.80 mm-1
 at 1304 nm, a density of 1.054 g/cm3, and a Young’s 

Modulus of 17.12 kPa. This phantom was designed as a control tool in testing the 

feasibility of ARF-OCE to detect the mechanical and optical changes that may be 

indicative of the onset or development of cancer in the urinary bladder. By following the 

methods used in this chapter, phantoms matching the optical, acoustic, and mechanical 

properties of other biological tissues can also be constructed. 
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CHAPTER 7 

THE FEASIBILITY OF OPTICAL/ACOUSTIC RADIATION 

IMAGING 

 

7.1 INTRODUCTION 

 

To demonstrate the feasibility of OARI in the urinary bladder, we constructed 

phantoms that possessed optical, acoustic, and mechanical properties similar to the 

human bladder, as described in Chapter 6.  These phantoms were used as test models for 

OARI. It should be noted that OARI can also be applied to other organs that possess 

epithelial tissue. Since a majority of epithelial tissues have similar structures, OARI will 

be applicable across a broad range of tissues and organs.  

Optical Imaging was performed using the Spectral Domain Optical Coherence 

imaging system [148]. Acoustic radiation force (ARF) was generated using a custom-

built, fully characterized 5 MHz focused transducer.  OCT images before and after ARF 

induced displacement were captured and stored. Displacement maps were created using a 

one-dimensional cross correlation speckle tracking algorithm. The application of OARI 

in the bladder wall phantoms was also modeled using Field II and ANSYS software. A 

comparison of the theoretical and measured displacements is discussed in this chapter.   
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7.2 GENERATION OF ACOUSTIC RADIATION FORCE 

 
 

In order to displace the phantom and demonstrate the feasibility of OARI, the ARF 

was generated by a custom built 5 MHz transducer with a 25.4 mm diameter and a focal 

length of 4.3 cm. The acoustic output of the transducer was characterized using an 

Acoustic Radiation Force balance, following the guidelines on acoustic output 

measurements in NEMA Standards Publication UD 2-2004. A commercial RFB unit 

(Ultrasound Power Meter UPM DT-10E, Ohmic Instruments, Easton, MD) was used for 

characterizing the transducer. This RFB unit uses an aluminum cone as a reflector to 

measure the acoustic power emitted by the transducer. The schematic set up of the 

apparatus for characterizing the transducer is depicted in Figure 7.1. The 5 MHz 

transducer was placed into the water in the RFB unit. A function generator was used to 

generate a sinusoid signal with the corresponding working frequency of the transducer, 

which was amplified by 60 dB using an RF amplifier. The electrical power of the 

amplified signal was measured by a digital power meter (4421 RF power meter, Bird 

Electronic Corporation, Ohio). The signal was then transmitted to the transducer. The 

distance from the transducer surface to the tip of the aluminum cone was 4.3 cm, which 

coincided with the focal length of the transducer. The transducer was excited and emitted 

converging ultrasound waves toward the aluminum cone. The acoustic power Pa was 

measured by the RFB unit. Using a continuous wave sinusoidal input signal, the acoustic 

power output of the transducer was measured and recorded for various transmit voltages. 
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Figure 7.1: RFB measurement setup. 

The spatial-average temporal average intensity ISATA was calculated by: 

ISATA =    Ultrasonic power (W)    (7.1) 
    Beam cross-sectional area 
 

From the acoustic power output, it is possible to calculate the free-field spatial peak 

intensity (ISP): 

ISP = 1.56 * W      (7.2) 
    D2 

 

Where W is the acoustic power output and D is the full width half maximum (FWHM) 

beam diameter [155]. The free-field spatial peak intensity is also calculated by: 

 

ISP = 1.8 * ISA       (7.3) 

 

Where ISA is the spatial average intensity measured under linear conditions [156]. The 

spatial peak-temporal average intensity ISPTA , is calculated by: 

 Transducer 
 

Electrical Power 
Meter 

Amplifier 
 60 dB Amplification 

Arbitrary Waveform Generator: 
CW Sinusoidal signal   

Acoustic Radiation 
Force Balance 

Absorbing Target 

Water 

Acoustic Power Output  
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ISPTA  = ISATA * ISP       (7.4) 
         IS 

 
Combining equations 7.3 and 7.4, we obtain a relationship between the spatial-average 

temporal average intensity, and the spatial peak-temporal average intensity: 

 
ISPTA  = ISATA * 1.8      (7.5) 

 

The derated spatial-average temporal average intensity is the reduced value obtained 

when the spatial-average temporal average intensity is adjusted by the derating factor, as 

defined in NEMA Standards Publication UD 2-2004: 

 

  Ia = I * 10 ^ (-0.05 * a * fc * z)    (7.6) 

 

Where a is the derating factor, z is the distance from the source to the point of interest 

[cm], fc is the center frequency [MHz], Ia is the derated acoustic intensity and I is the 

acoustic intensity. The transmit voltage, acoustic power, acoustic radiation force and the 

derated spatial-peak temporal average intensity are reported in Table 7.1 
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Table 7.1: Acoustic Output Parameter for the 5 MHz Transducer  

Applied 
Electrical Volts 
(V p-p) 

Acoustic 
Power (Watts)       

Acoustic 
Radiation Force 
(g/cm3) 

ISPTA.3 
(W/cm2) 

10 0.07 0.12 2.45 
20 0.14 0.25 5.19 
30 0.23 0.40 8.22 
40 0.32 0.56 11.54 
50 0.42 0.74 15.15 
60 0.53 0.93 19.05 
70 0.64 1.13 23.23 
80 0.77 1.35 27.70 
90 0.90 1.58 32.47 
100 1.04 1.83 37.52 
110 1.19 2.09 42.86 
120 1.34 2.36 48.48 
130 1.51 2.65 54.40 
140 1.68 2.95 60.60 
150 1.86 3.27 67.10 
160 2.05 3.60 73.88 
170 2.24 3.94 80.95 
180 2.45 4.30 88.31 
190 2.66 4.68 95.96 
200 2.88 5.06 103.89 
210 3.11 5.46 112.12 

 
 
 

7.3 THEORETICAL SIMULATION 
 
 
In order to predict the OARI displacement, the acoustic intensity and pressure fields of 

the 5 MHz Transducer were simulated in Field II [157], an ultrasound simulation 

program. The three-dimensional intensity field was scaled using the derated spatial peak 

temporal average intensity (ISPTA.3) values in Table 7.1 as the maximum intensity values 

and then thresholded to 30% of the maximum values. Intensity values below 30% of the 
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maximum intensity were further away from the focal zone of the acoustic beam and 

generated negligible acoustic radiation force values. Therefore, if the intensity value was 

below 30% of the maximum intensity, it was automatically assigned a zero value. This 

was done to reduce computational overhead, the time it would take to calculate the 

resulting, three-dimensional radiation force values and the displacement maps.  The 

intensity and pressure profiles of the acoustic beam with ISPTA.3 set to 37.5 W/cm2 are 

shown in Figure 7.2.  

(a) 

 

(b) 

Figure 7.2: 3-dimensional profile of acoustic beam with maximum ISPTA.3 set to 37.5 
W/cm2. (a) Intensity profile. (b). Pressure Profile 
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The radiation body force values were obtained using equation 5.1. The size of the 

bladder wall phantom was 18 mm by 18 mm by 4 mm (Figure 7.3a). Since the edges of 

the phantom (approximately 4mm) were pinned down using glass slides, only 10 mm by 

10 mm by 4 mm of the phantom was exposed to the acoustic radiation force (Figure 

7.3b). In ANSYS, fixed boundary conditions were applied to the phantom model (i.e. the 

edges of the phantom were assigned displacement value of 0). However, in the actual 

OARI experiment, the edges of the phantom were pinned down using glass slides. This 

was not sufficient to create fixed boundary conditions in the phantom. Rather, the glass 

slides constrained the edges of the phantom. 

      X Direction 

 

               4mm 

  Z direction 

 
        4mm 10 mm          4mm 
 
 (a)   
 
 
      10mm 
 
      10mm 
 
 
 (b) 
 

Figure 7.3: (a) 3-dimensional view of bladder wall phantom model (b) Top View (XY 
plane) of the bladder wall phantom model. 
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The displacement fields of OARI were modeled using finite element methods (FEM) 

in ANSYS (ANSYS, Inc., Canonsburg, PA). The bladder wall phantom volume was 

modeled as a series of slices in the XZ plane. Each slice was  converted to nodes and 

elements using meshes of varying sizes (1 mm, 0.5 mm, and 0.25 mm respectively), as 

shown in Figure 7.4.  A single 1 mm meshed slice contained 40 elements and 149 nodes. 

A single 0.5 mm meshed slice consisted of 160 elements and 537 nodes. A single 0.25 

mm meshed slice consisted of 640 elements and 2033 nodes. The radiation body force 

values obtained from Field II simulation were then converted to nodal point loads. This 

was done by multiplying the radiation body force values by the volume of the elements in 

each slice (1 mm3, 0.625 mm3, and 0.015625 mm3 for the 1 mm, 0.5 mm and 0.25 mm 

meshes respectively). Nodal point loads were directed purely in the axial or Z direction, 

since the direction of the radiation force occurs in the direction of the wave propagation 

(i.e. the pointing vector for the acoustic wave) [158, 159].  

      (a)       (b) 

      (c) 
Figure 7.4: ANSYS solid model of bladder wall phantom. (a) 1 mm mesh. (b) 0.5 mm 
mesh. (c) 0.25 mm mesh. 
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Relevant parameters of the bladder wall phantoms such as Young's Modulus, density 

and Poisson’s ratio were entered into ANSYS. For each of the 5%, 10% and 15% bladder 

wall phantoms, the appropriate Young's Modulus was utilized (see Table 7.2). The values 

for the Young’s Modulus were obtained from measurements made from phantoms 

designed as described in chapter 6. 

 

Table 7.2: Relevant Parameters for OARI Theoretical Simulation  

Bladder wall 
Phantom Gelatin 
Percentage (%) 

Density 
(Tonnes/mm3) 

Poisson’s 
Ratio 

Young's 
Modulus (kPa) 

5 1.504 * 10-9 0.4999 11.54 
10 1.504 * 10-9 0.4999 17.12 
15 1.504 * 10-9 0.4999 21.19 

 

 

 7.4 OARI EXPERIMENTAL SETUP 

 
 

The schematic set up of the experiment is shown in Figure 7.5. The 5 MHz ultrasound 

transducer was brought into contact with the sealed hole at the bottom of the water tank.  

A 4 mm thick bladder wall phantom was positioned so the focus of the acoustic beam 

was located 1 mm from the top of the phantom. Care was taken to ensure the water in the 

tank made contact with, but did not completely immerse the phantom. The edges of the 

phantom were held down by glass slides. The scanning arm of the OCT imaging system 

was located approximately 1 cm above the phantom surface. Alignment of the OCT beam 

and the acoustic beam was conducted prior to phantom insertion into the water tank to 
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ensure co-registration of the two beams.  The ultrasound transducer was excited by a 5 

MHz sinusoidal continuous wave signal from an arbitrary waveform generator (amplified 

60 dB) for approximately 3 seconds.  The input voltage was varied from 10 – 210 V p-p.

  

 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 

Figure 7.5: Schematic diagram of OARI experimental apparatus. 

 

 

OCT frames before and after the application of ARF were captured and stored in the 

OCT imaging system.  Displacement maps were created offline using one-dimensional 

speckle-based tracking using a cross correlation algorithm, with a block size of 7 x 7 

pixels and a window size of 99 x 73 pixels. For a given block of 7 x 7 pixels, the cross 

correlation coefficient in the window of the first image and a potential target region in the 

second image is calculated. The cross correlation coefficient has a maximum value of 1 

Image 

Lateral scan 

OCT depth scan 

90/10 coupler 

Signal 
Processing 

Arbitrary Waveform Generator: 
Sinusoidal signal, 5MHz 100mv 
p-p CW 
 

Amplifier 
60 dB 
Amplification 
 

Phantom 

Transducer 

Water tank 



 

 84 

for identical regions and zero value for the uncorrelated regions. Over the search region, 

an array of correlation coefficients is calculated. This array is the cross correlation 

function and its peak value identifies the target destination. Once the target destination is 

identified, the axial displacement of the block of pixels da(x7,y7) can be calculated by 

subtracting the location of the block in the first image from the location of the target 

destination in the second image. This procedure is repeated until the processing window 

moves over the entire image (or region of the image of interest).  

For each block of pixels (x7,y7), the axial displacement values da(x7,y7)  can be plotted 

to obtain axial displacement maps. Because the block size used in the algorithm is 7 x 7 

pixels, the resulting displacement maps are 7 times smaller than the precompressive and 

post compressive OCT images. For instance, if the acquired OCT images are 1022 x 1022 

pixels in size, the resulting displacement map generated by the cross correlation 

algorithm would be 146 x 146 pixels. For more detailed description of the cross 

correlation algorithm, the reader is referred to Schmitt [141] and Rogowska [142]. 

 

 

7.5 RESULTS  
 
 
OCT images of the bladder wall phantom before and after application of ARF are 

shown graphically in Figures 7.6a & b. In this particular case, the transmit voltage was 

100 V p-p, corresponding to an acoustic output power of 1.04 W and ISPTA.3 of 37.5 

W/cm2. The resulting displacement map is shown in (c), with a net displacement of 2 

pixels. Calibrated measurements of our OCT system yielded a conversion factor of 

6µm/pixel. Thus, the measured displacement was 12 µm in this particular case.  
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FEM theoretical data was obtained with varying mesh sizes (0.25 mm, 0.5 mm, and 1 

mm). The results are shown in Figure 7.7. The theoretical displacements obtained for 

both 0.25mm and 0.5 mm are similar and can be considered to be approximately the 

same. This implies that the solution has converged with a mesh size of 0.25 mm. 

Therefore, the conclusion was made that the 0.25 mm mesh was adequate for the FEM 

analysis.   

 

 

 
 

Figure 7.6: (a) OCT image of bladder wall phantom prior to ARF compression. (b) OCT 
image of bladder wall phantom after ARF compression with 100 Vp-p transmit voltage. 
(c) Displacement map created from (a) and (b) using cross correlation algorithm. A 
displacement of 2 pixels was observed, corresponding to a net displacement of 12 µm 

a 

b 

c Pixels 

Pixels 
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   (a)        (b) 

 
        (c)  

Figure 7.7: FEM Displacement with varying mesh sizes. (a) 5% bladder wall phantom. 
(b) 10% bladder wall phantom. (c) 15% bladder wall phantom   

 
 
 
Figure 7.8 presents the intensity and displacement data. OARI was performed on 

bladder wall phantoms with 5%, 10%, and 15% by weight gelatin bladder wall phantoms. 

This was done so the effect of tissue stiffness in OARI could be demonstrated.  The FEM 

theoretical displacement (using 0.25 mm mesh) and the measured displacement for the 

three different bladder wall phantoms are shown in Figure 7.8.  Linearity between 

intensity and displacements held for all three phantoms. The correlation coefficients were 

0.9693, 0.8955 & 0.8635 for 5, 10, and 15% respectively. The correlation coefficients for 

the FEM analysis were 0.9999 for the three phantoms. In general, increase in intensity 
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and acoustic radiation force resulted in higher displacements in all three phantoms 

linearly. Stiffer phantoms exhibited less displacement for the same intensity.  

 

 
 

Figure 7.8: FEM theoretical and measured ARF displacements for 5%, 10% and 15% 
bladder wall phantoms 

 
 
 
The output acoustic power vs. drive voltage is shown in Figure 7.9. Theoretically, the 

output power is proportional to the square of the input voltage. From Figure 7.9, we 

observe that P ≈ V1.4. This could be attributed to the imperfect electrical to acoustic 

conversion by the transducer.  
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Figure 7.9: Relationship between the drive voltage of the transducer and the output 
acoustic power 

 
 
 
 
 
 
The FEM displacement (DT) and the experimental OARI displacement (DM) values for 

the 5 %, 10 % and 15 % bladder wall phantoms are presented in Table 7.3. The error 

percentages are also shown. 
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Table 7.3: FEM Displacement and Experimental OARI Displacement Data using 5 MHz 
Transducer 

 

  
5% Bladder 

Phantom 
10% Bladder 

Phantom 
15% Bladder 

Phantom 
 

Voltage 
(V) 

DT 
(um) 

DM 
(µm) 

Error 
(%) 

DT 
(um) 

DM 
(µm) 

Error 
(%) 

DT 
(µm) 

DM 
(um) 

Error 
(%) 

 

10 0.6 0 100.0 0.4 0 100.0 0.3 0 100.0  
20 1.3 0 100.0 0.9 0 100.0 0.7 0 100.0  
30 2.1 0 100.0 1.4 0 100.0 1.1 0 100.0  
40 2.9 6 51.5 2.0 0 100.0 1.6 0 100.0  
50 3.8 6 36.4 2.6 0 100.0 2.1 0 100.0  
60 4.8 12 59.9 3.2 6 45.9 2.6 0 100.0  
70 5.9 18 67.4 4.0 6 34.1 3.2 0 100.0  
80 7.0 30 76.7 4.7 6 21.5 3.8 0 100.0  
90 8.2 36 77.2 5.5 12 53.9 4.5 0 100.0  
100 9.5 36 73.7 6.4 12 46.8 5.2 6 14.1  
110 10.8 42 74.3 7.3 18 59.5 5.9 6 1.8  
120 12.2 48 74.5 8.2 18 54.2 6.7 6 11.1  
130 13.7 60 77.1 9.3 24 61.4 7.5 6 24.7  
140 15.2 72 78.8 10.3 30 65.7 8.3 12 30.8  
150 16.9 84 79.8 11.4 30 61.9 9.2 12 23.1  
160 18.7 84 77.8 12.6 36 65.1 10.2 12 15.4  
170 20.4 108 81.1 13.8 42 67.2 11.1 12 7.3  
180 22.3 114 80.4 15.0 48 68.7 12.2 18 32.5  
190 24.2 114 78.8 16.3 60 72.8 13.2 18 26.7  
200 26.2 120 78.2 17.7 66 73.2 14.3 24 40.5  
210 27.8 120 76.8 18.8 84 77.7 15.2 24 36.8  
 
 
 

7.6 DISCUSSION 
  
The minimum resolvable displacement in the 5% bladder wall phantom was observed 

at the threshold voltage VT of 40 V. The VT for inducing displacement in the 10% and 

15% bladder wall phantoms were 60 V and 100 V respectively. 

Using the cross correlation algorithm, the minimum resolution of OARI in our system 

was found to be approximately 6 µm. This is because the size of a single pixel in an OCT 

image by our system is approximately 6 µm, and the minimal displacement that can be 
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detected by the cross correlation algorithm is the displacement of a single pixel, or 6 µm. 

This minimal resolution introduces significant errors in our measurements.  For example, 

at 70 Vp-p for the 10% bladder wall phantom, the FEM displacement 3.953 µm, and the 

experimental displacement is 6 µm. In reality, the measured displacement could be 

between 0 – 12 µm. Thus, the resolution of OARI contributes significantly to the errors in 

displacement measurement. Fortunately, recent work in the area of phase-sensitive OCT 

elastography (using change in phase of the OCT signal to detect motion) shows even 

greater promise for OARI. Resolutions of 0.26 nm and 0.15 nm have been reported using 

this technique [160, 161]. 

The FEM displacement (DT) and the experimental OARI displacement (DM) values for 

the 5%, 10% and 15% bladder wall phantoms are presented in Table 7.3. The magnitude 

of the FEM displacement and the experimental OARI displacement deviated by a mean 

of 76% for the 5% bladder wall phantom, 68% for the 10% bladder wall phantom, and 

56% for the 15% bladder wall phantom. These values include measurements made below 

the threshold voltage, where the error percentage was 100%. If the measurements made 

below the threshold voltage are excluded, the mean error drops to 72%, 58% and 22% for 

the 5 %, 10%, and 15 % phantoms respectively.  The greatest error occurs in the 5% 

bladder wall phantoms. This may be attributed to the difficulty in successfully pinning 

down the softer phantoms in the water tank prior to ARF application. The errors could 

also be attributed to the temperature increase in the phantoms, as a result of applying 

ARF. It is possible that the temperature increase could have led to softening of the 

phantoms at the focal point of the acoustic beam. This would result in a higher 

displacement than anticipated, and could account for the disparity between the theoretical 
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and measured displacements. 

A worst-case estimate of the potential temperature increase resulting from the ARF 

can be estimated by solving the bio-heat transfer equation, and neglecting convection and 

conduction (see Equation 5.8). The temperature increase each acoustic intensity applied 

in the OARI experiment is shown in table 7.4. 

 

Table 7.4: Estimated Temperature Increase for Varying Acoustic Intensities 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

In our experiment, for ISPTA.3 of 37.5 W/cm2, the estimated increase in temperature is 

4.09 0C. For ISPTA.3 of 112.12 W/cm2, the temperature increase is 12.22 0C. Since the 

Voltage (V) Intensity (W/cm2)   Δt (0C)  
10 2.45 0.27  
20 5.19 0.57  
30 8.22 0.90  
40 11.54 1.26  
50 15.15 1.65  
60 19.05 2.08  
70 23.23 2.53  
80 27.70 3.02  
90 32.47 3.54  
100 37.52 4.09  
110 42.86 4.67  
120 48.48 5.28  
130 54.40 5.93  
140 60.60 6.61  
150 67.10 7.31  
160 73.88 8.05  
170 80.95 8.82  
180 88.31 9.63  
190 95.96 10.46  
200 103.89 11.32  

210 112.12 12.22   
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melting point of gelatin is 32 0C, and the experiment was performed under room 

temperature 22 0C, the temperature increase as a result of the application of ARF could 

lead to substantial decrease in the stiffness of the bladder wall phantoms, leading to 

higher than expected measured displacements. Nightingale et al. [162] reported a 

displacement of 12µm in an 18 kPa homogeneous phantom using an ISPTA.3 of 40 W/cm2. 

Similarly, we observed a displacement of 12 µm in 10% by weight gelatin bladder wall 

phantom with a Young’s Modulus of 17.12 kPa using an ISPTA.3 of 37.5 W/cm2.  

The bladder wall phantom possesses the mechanical, acoustic and optical properties of 

the human urinary bladder, as discussed in Chapter 6. The model is therefore appropriate 

for evaluating OARI in the urinary bladder. The bladder wall phantom model can be 

improved by developing methods to construct a three-layered model to optically 

represent the epithelial, lamina propria, and the muscularis layers. Figure 7.10 shows the 

OCT image of a normal bladder, as well as a three-layered 1 mm thick bladder wall 

phantom made in our laboratory. Although not yet optically characterized, the three-

layered phantom in figure 7.10(b) visually offers a closer resemblance to the OCT 

bladder image, as opposed to the single layered bladder wall phantom in Figure 6.6(d) 

that was utilized in this research. Mechanical and acoustic data for the individual layers 

of the bladder are currently not reported in the literature. However, if that data becomes 

available in the future, it would be possible to construct a three-layered phantom with the 

optical, acoustic, and mechanical properties of the epithelium, lamina propria, and 

muscularis layers respectively, using the procedure described in Chapter 6. 
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Figure 7.10: (a) OCT image of normal bladder (b) OCT image of a 3-layered 1 mm thick 
bladder wall phantom. 

 
 
Although the experimental OARI system utilized in this study was sufficient to 

establish the feasibility of OARI in tissue-mimicking bladder wall phantoms, it has 

several drawbacks. First, the system is a bench-top system suitable for phantoms and 

excised tissues only, and is highly unsuitable for in vivo tissue measurements, due to its 

size. Therefore, to improve the OARI system, it must have a compact design suitable for 

endoscopic applications. 

Secondly, for in vivo applications, it is impossible to apply the acoustic radiation force 

from the bottom of the tissue, while optical imaging is performed at the tissue surface, as 

shown in Figure 7.11a (modified from [163]). This is the configuration used in our 

feasibility study. For in vivo applications, the optical beam and the acoustic beam will 

both have to be applied at the surface of the tissue under interrogation. While the acoustic 

beam can be applied perpendicular to the Region of Interest (ROI), while the optical 

beam will be bent at an angle of 45 0 to scan the ROI and produce the desired cross-
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sectional images, as shown in Figure 7.11b (modified from [157]). 

 

 
 
 
         
 
 
 
 
 
 
 
 
 
 
 
 
 

Figure 7.11: Acoustic and optical beam configuration in OARI (modified from [157]). (a) 
Acoustic beam is applied perpendicular to region of interest (ROI) from bottom of tissue, 
while optical beam is applied perpendicular to ROI. (b) Acoustic beam is applied 
perpendicular to ROI from tissue surface, while optical beam is applied at a 450 angle 
from the tissue surface 

 
 
 
Thirdly, the capture of the OCT frames before and after the application of ARF was 

performed manually. The user manually instructed the OCT system when to begin 

capturing images, before going on to apply the ARF, and then instructed the system to 

stop image capture after the ARF had been applied. This procedure is inefficient and time 

wasting for in vivo applications. To improve the OARI system, the ARF generation 

system and the OCT system would have to be electronically coupled, so that the OCT 

system automatically commences image capture once the ARF system is triggered.  

Finally, the cross correlation algorithm used to generate the displacement map limits 

the resolution of the OARI system to approximately 6 µm. While this resolution is not 

Acoustic Beam 

Optical Beam 

Acoustic Beam 



 

 95 

 
T 

am 

unacceptable, there is considerable room for improvement. This can be achieved using 

phase-sensitive optical coherence tomography. In spectral domain OCT, a Fourier 

transformation (FT) is performed on the backscattered interference signal to obtain the 

depth information about the local scatters over the B scan within the sample [160, 161]: 

 
I (x, z, t) = FT [ Id(x, v, t)] = A (x, z, t)exp ( – iΦ(x, z, t))   (7.7) 
 
 
The amplitude term in Equation 7.7 is used to generate the traditional OCT structural 

images. The phase term is fixed for static scatters at the position (x, z). Translation of the 

scatter by a distance ∆d(x, z) during a time interval ∆t between two successive B scans 

will induce a localized change in the measured phase of the reflected light [160,161]: 

 
 
∆Φ(x, z, t) = 4πn∆ d (x, z, t)       (7.8) 

  λ0 
 
 
Where λ0 is the central wavelength of the light source, n is the sample index of 

refraction. The localized tissue velocity in the direction of the beam can be computed, 

and the depth-resolved displacement over the time duration T can be generated 

[160,161]: 

 
 
    d (x, z) = ∫ ∆Φ(x, z, t) λ0    dt       (7.9) 
    4 πn 
 
 

This approach is capable of measuring very small tissue deformations (< 1 µm), as 

demonstrated by Wang et al. [160, 161]. Therefore, the phase-sensitive optical coherence 

elastography, if incorporated into the OARI system, can improve the resolution of the 
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system. 

 
 
  

7.7 CONCLUSION   

We have demonstrated the feasibility of OARI in urinary bladder wall phantoms. 

Minimum resolvable OARI displacement is approximately 6 µm. A maximum 

displacement of 84 µm in bladder wall phantoms was observed using an ISPTA.3 of 112.1 

W/cm2. The OARI system utilized in this study is a bench-top system suitable for 

phantoms and excised tissues only. This system will not work for in vivo measurements. 

OARI has the ability to induce and measure mechanical displacements in vivo. We expect 

to achieve resolutions in the nanometer range and real-time image processing when the 

displacement maps are generated using phase-sensitive OCT elastography [160, 161].  
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CHAPTER 8 

OPTICAL/ACOUSTIC RADIATION IMAGING PROBE DESIGN 

 

8.1 INTRODUCTION 

 

The previous chapter establishes the ability of OARI to generate and track 

displacements in tissue-mimicking bladder wall phantoms. However, the OARI system is 

unsuitable for endoscopic applications mainly because of its size. This chapter discusses 

the steps to be taken to miniaturize the OARI system to make it suitable for endoscopic 

applications. These steps include: 

•  Preliminary tests of miniature ultrasound transducers for adequate ARF 

generation. 

•  Design and construction of prototype OARI probe small enough for future in vivo 

applications in the oral cavity. 

FEM analysis and OARI experiments were carried out on the unfocused miniature 

2mm-diameter 20 MHz transducers. The results confirmed that the OARI system can be 

miniaturized for endoscopic applications. 

 

8.2 MINIATURE TRANSDUCER CHARACTERIZATION 

 

8.2.1 Theoretical and Experimental Validation 

The first task was to determine if sufficient ARF could be generated with a miniature 
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transducer.  A flat, square, unfocused 20 MHz transducer with a diameter of 2 mm was 

designed and characterized using a hydrophone and following the guidelines on acoustic 

output measurements in NEMA Standards Publication UD 2-2004. At 100 V p-p, the 

ISPTA.3 was 14.25 W/cm2.  

Theoretical simulation was performed using Field II and ANSYS, as outlined in 

section 7.3 of Chapter 7. The center frequency was set to 20 MHz, the PRF to 5 KHz, and 

the number of cycles in the pulse was set to 60. The generated three-dimensional 

intensity field was scaled using 14.25 W/cm2 as the maximum intensity, and thresholded 

to 30% of the maximum value to reduce computational overhead. 14.25 W/cm2 was set as 

the maximum intensity, since this was the intensity value obtained from the transducer 

characterization at 100 V p-p transmit voltage. Intensity values below 30% of the 

maximum intensity were further away from the focal zone of the acoustic beam and 

generated negligible acoustic radiation force values. Therefore, if the intensity value was 

below 30% of the maximum intensity, it was automatically assigned a zero. The intensity 

and pressure profiles of the acoustic beam are shown in Figure 8.1. 

Because the ultrasound beam originates from a number of points along the transducer 

face, the intensity along the beam is affected by constructive and destructive wave 

interference, which leads to extensive fluctuations in the sound intensity near the source. 

This region is known as the near field.  The pressure waves combine to form a relatively 

uniform front at the end of the near field. The area beyond the near field is known as the 

far field. The transition between the near and far field is referred to as the “natural focus” 

of the flat transducer, N. The maximum intensity of the acoustic wave is found at the 

natural focus. In the intensity profile shown in Figure 8.1a, the maximum intensity occurs 
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14 mm away from the origin of excitation, which is close to the calculated natural focus 

of the high frequency transducer (13 mm). The constructive and destructive wave 

interference is observed prior to this point. Similarly, the maximum pressure of 10.79 

MPa is observed at the natural focus, as shown in Figure 8.1b.  

 

(a) 

 

 (b) 
Figure 8.1: 3-dimensional profile of acoustic beam with maximum ISPTA.3 set to 14.25 
W/cm2. (a) Intensity profile. (b). Pressure Profile 

 
 

Radiation body force values were calculated from the intensity values using equation 
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5.1, and converted to nodal point loads as outlined in section 7.3. OARI was performed 

on 3%, 4% and 5% bladder wall phantoms as described in section 7.4. A 0.25 mm mesh 

was used in the FEM analysis. Table 8.1 shows the relevant parameters used in ANSYS. 

The density and Young’s Modulus were estimated from measurements made on the 5%, 

10%, and 15% bladder wall phantoms. Poisson’s ratio for soft tissue is approximately 

0.5. 

 

Table 8.1: Relevant Parameters for OARI Theoretical Simulation  

Bladder wall 
Phantom Gelatin 
Percentage (%) 

Density (Kg/mm3) Poisson’s 
Ratio 

Young's 
Modulus (kPa) 

3 1.504 * 10-6 0.4999 10.24 
4 1.504 * 10-6 0.4999 11.13 
5 1.504 * 10-6 0.4999 12.03 

 

 

8.2.2 Results 

Figure 8.2a & b show images of the 5% bladder wall phantom before and after ARF 

application. The resulting displacement map is shown in Figure 8.2c. The maximum 

measured displacement was equivalent to 6 µm. This is the exact same value observed for 

the 5 MHz transducer between 40 – 50 Vp-p with ISPTA.3 ranging from 11.54 – 15.15 

W/cm2. The FEM theoretical displacement for the 5% bladder wall phantom is shown in 

Figure 8.3. The maximum displacement is 6.996 µm. Table 8.2 shows the FEM 

theoretical and OARI measured displacements for the 3%, 4% and 5% bladder wall 

phantoms. The magnitude of the FEM displacement and the OARI displacement deviated 

by 46% for the 3% bladder wall phantom, 21% for the 4% bladder wall phantom, and 
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14% for the 5% bladder wall phantom. Similar to the 5 MHz transducer experiment, the 

greatest error occurs in the softest phantom (in this case the 3% phantom).  

 

Figure 8.2: (a) OCT image of 5% bladder wall phantom prior to ARF compression. (b) 
OCT image if 5% bladder wall phantom after ARF compression. (c) Displacement map. 
The maximum displacement is 1 pixel (or 6 µm). 
 

 
 
Figure 8.3: FEM theoretical displacement for 5% bladder wall phantom. Maximum 

displacement is 0.006996 mm or 6.996 µm 
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Table 8.2: FEM Theoretical and Experimental Data for 20 MHz Transducer 

Bladder wall 
Phantom Gelatin 
Percentage (%) 

FEM Theoretical 
Displacement (µm) 

Measured 
Displacement (µm) 

Error 
(%) 

Estimated 
Temperature 
Increase (0C) 

3 8.2 12 46 0.00003 
4 7.6 6 20.7 0.00003 
5 7.0 6 14.2 0.00003 
 

Table 8.2 shows that the small 20 MHz ultrasound transducer is capable of generating 

a displacement of 6 µm in the 5% bladder wall phantom with a peak intensity of 14.25 

W/cm2. Although, this intensity results in no visible displacement in the 10% and 15% 

bladder wall phantoms (see Chapter 7), it does show that OARI can still be performed 

with a small, high frequency transducer. In section 7.6, four major limitations of the 

bench-top OARI system were identified: size, position of acoustic and optical beams, 

decoupled acoustic and optical systems, and resolution of the OARI system. The 

remaining portion of this research focuses on designing and fabricating a miniature OARI 

probe system to resolve the first limitation.   

 

8.3 DESIGN OF PROTOTYPE OARI PROBE 

8.3.1 Design Constraints 

Several factors were taken into consideration in designing the OARI probe: 

1.  The OARI probe must have the ability to generate displacement in tissue. 

2. The diameter of the OARI probe must be small enough for in vivo applications, (< 

10 mm). 

3. The focal point of both the ARF beam and the optical must occur at the same spatial 



 

 103 

location. 

4. The probe's ARF beam must be adequately coupled to the object under interrogation 

to ensure maximum transmission of ARF to the object. 

 

8.3.2 Preliminary Prototype Designs 

Figure 8.4 shows the schematic diagram of the designs for the prototype OARI probes. 
 
 
        
     

          
         
          

 
         
      

 (a) 
 
 
        
 
           
                   
         

  
            

     
(b) 
 
              
 
 
            
                

      
    

            
                   
(c) 

Figure 8.4: Schematic diagram of OARI prototype probes. (a) Prototype 1 (b) Prototype 2 
(c) Prototype 3 
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The rigid probe will be made from steel and will have a diameter of 10 mm to make it 

suitable for endoscopic applications. The fully characterized 20 MHz transducer will be 

fixed near the distal end of the probe to provide ARF. The direction of the generated ARF 

beam will be perpendicular to the probe (for prototype 1 and prototype 2). The OCT 

beam will be supplied by an SMF-128 optical fiber and will be bent at an angle of 450 

using a micro prism so that the foci of the acoustic and the optical beams occur at the 

same spatial location, approximately 1 mm away from the tip of the probe. The major 

difference between prototype 1 and prototype 2 lies in the acoustic coupling method. 

Prototype 1, as shown in Figure 8.4a, utilizes a silicon shaper as the coupling device. 

Prototype 2 in Figure 8.4b requires the probe to be filled with suitable fluid, such as 

water, for adequate coupling. For prototype 3, the direction of the generated ARF beam 

will be bent at an angle of 100 to the probe (see Figure 8.4c) so that the foci of the 

acoustic and the optical beams occur at the same spatial location, at the tip of the probe. 

In prototype 1 and 2, the transducer will be kept in a stationary position, while the optical 

fiber will be displaced using an actuator in order to obtain two-dimensional OCT images. 

In prototype 3, the transducer will be kept stationary. The two-dimensional OCT images 

will be obtained using a fiber-optic probe. 

Only prototype probe 3 was selected as the design to be fabricated, for two reasons. 

First, prototype 3 is a forward scanning probe, while prototypes 1 and 2 are sidewise 

scanning probes. There are two principal types of OCT endoscopes: forward-looking, and 

side-scanning. A side-scanning endoscope is useful to examine tubular organs. A 

forward-looking endoscope can be used to image a hollow organ or a tissue that has at 
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least one wall that is perpendicular, or nearly perpendicular, to the axis of the scope. 

Forward-looking endoscopes have the advantage that they can look ahead and collect 

data before entering and possibly damaging the tissue. Secondly, it would be easier to fit 

small transducer parallel to the probe, as in prototype 3, as opposed to perpendicular to 

the probe, as in prototypes 1 and 2. 

 

 

8.4 CONSTRUCTION OF THE OARI PROBE 

8.4.1 Probe Encasement 

The body of the OARI probe was constructed from stainless steel, with an outer 

diameter (OD) of 11 mm, an inner diameter (ID) of 10 mm, and a length of 10 cm (see 

Figure 8.5). The design constraints listed in section 8.3 required the diameter of the probe 

to be 5 mm or less. However, the diameter of the transducer was 2mm.  More than 3 mm 

was required to tilt the transducer. This was the reason we were unable to satisfy the 5 

mm constraint. The front of the probe was sealed by two metal rings with a sheet of 

LDPE membrane placed in between the rings (see Figure 8.6).  

 

 

Figure 8.5: Body of OARI probe. The length of the probe is 10 cm. 
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(a)             (b) 

                         

(c)            (d) 

Figure 8.6: Two-ringed LDPE membrane cap. (a) Side view of cap (b) Front view of cap 
(c) Cap with ruler for size estimation (d) Cap with a quarter for size estimation. 

 

 

8.4.2 Optical Components 

The OCT probe was supplied with the Niris Imaging System from ImaluxTM 

(Cleveland, Ohio), as shown in Figure 8.7. The Niris Imaging system is an OCT imaging 

system suitable for in vivo imaging. The system consists of an imaging console and a 

detachable fiber-optic probe. Key features of the system include the following: 

• Employs harmless, near-infrared light  

• Ability to analyze image data in real-time and at the site of care  

Inner 
Ring 

Outer 
Ring 

LDPE Membrane 
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• Easy to use with minimal training  

• True portability  

• 8 Frames per Second (FPS) minimum image acquisition speed for surveillance 

of large organs or other expanses of epithelial tissue.  

• Imaging depth of up to 2.5 mm where the earliest indications of diagnostically 

important tissue alterations (pre-cancers, early cancers, and inflammatory 

processes) occur.  

• A spatial resolution of approximately 10 – 20 micrometers nearing the 

resolution of histopathology - 10x the resolution of high speed ultrasound and 

100x the resolution of standard ultrasound. 

  

 

Figure 8.7: Niris OCT imaging system  
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 The Imaging Console contains optical and electrical components, including a 

super luminescent diode (SLD). The SLD provides Near Infra-Red Light (NIR), 

which is directed from the console through the probe’s optical fiber to the patient’s 

tissue. The optical light is back-scattered from the patient’s tissue, collected by the 

probe’s fiber, and combined with an internal reference signal, to produce a high 

spatial resolution image of the superficial tissue microstructure. The Niris Imaging 

probe is engineered to work through endoscopes or independently depending on the 

type of procedure being performed. As an adjunct to an endoscopic exam, the probe 

can be inserted into the working port of a variety of rigid endoscopes and most 

flexible endoscopes [164]. 

                 
    (a)       (b) 

 

(c) 
Figure 8.8: (a) Side view of OCT probe sheath (b) Distal view of OCT probe sheath (c) 
Niris OCT probe with custom designed sheath. The OCT probe has an outer diameter of 
2.7mm, length of 23 mm, scan range of ≤ 2.2 mm and lateral scanning range of 1.2 – 2.3 
mm in air. The flexible cable has an outer diameter of 2.7 mm and is 4 m long. 
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8.3.1 Acoustic Components 

The acoustic beam was supplied by a flat, square, unfocused 20 MHz transducer 

with a diameter of 2 mm (see Figure 8.9). The transducer was characterized 

following the guidelines on acoustic output measurements in NEMA Standards 

Publication UD 2-2004. At 100 V p-p, the ISPTA.3 was 17.51 W/cm2. To make the 

focus of the acoustic beam coincide with the focus of the optical beam, a custom 

designed plastic holder was constructed to position the transducer approximately 13 

mm from the tip of the OARI probe and tilted at an angle of 100 (see Figure 8.10). 

This ensured that the focus of the acoustic beam was located at the surface of the 

OARI probe. 

 

`   

Figure 8.9: Unfocused 20 MHz transducers with 2 mm diameter 

Absorbing 
polymer 
back 
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Figure 8.10: Custom designed plastic holder for the transducer 

 

Figure 8.11 shows the schematic diagram of the final OARI probe design. The 

rectangular region labeled “OARI Image” represents a 2.7 mm by 2.0 mm window over 

which the OCT probe could potentially image. This represents an imaging area of 5.4 

mm2. Assuming the OCT probe is placed in direct contact with the LDPE membrane, the 

region of the OARI image that we anticipate would be exposed to the acoustic beam is 

the red triangle with an area of 0.4 mm2, which is approximately 7.4% of the imaging 

window. If the OCT probe is placed 2 mm behind the LDPE membrane, the area exposed 

to the acoustic beam would be the small red triangle and the orange slice. Together, this 

represents an area of 1.2 mm2, which is 22% of the imaging window. If the OCT probe is 

placed 4 mm behind the LDPE membrane, the area exposed to the acoustic beam would 

be the red triangle, the orange slice, and the yellow slice. This represents a total area of 

2.0 mm2, which is 37% of the imaging window.  
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Figure 8.11: Schematic diagram of final OARI probe design 

 

The region of the OARI image that would be exposed to the acoustic beam can be 

increased if a probe with a larger diameter is utilized. However, since we desired a probe 

small enough for in vivo applications in the oral cavity, we decided against increasing the 

size of the probe. The distance of the OCT probe from the LDPE membrane directly 

affects the region of the OARI image exposed to the acoustic beam. However, this factor 

is limited by internal interferometer of the Niris OCT imaging system. The further away 

the tip of the OCT probe is from the LDPE membrane, the lower the quality of the OCT 

images. The final design of the OARI probe places the OCT probe 1 mm behind the 

LDPE membrane.  Pictures of the OARI probe are shown in Figure 8.12. 
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(a)           (b) 

     

(c)           (d) 

Figure 8.12: OARI probe images. (a) Front view of probe (b) Front view of probe without 
cap (c) Close view of probe (d) Side view of probe 

 

 

8.5 CHALLENGES ENCOUNTERED IN OARI PROBE DESIGN 
 
 
The first major challenge we encountered in designing the OARI probe was in 

assembling the optical components. Our initial approach was to use an optical fiber with 

a GRIN lens attached to its distal tip as the source of our OCT beam. The fiber/lens 

would be attached to a bimorph actuator to enable us scan the fiber across our sample to 

obtain cross-sectional images (see Figure 8.13). The actuator would be powered by a saw 
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tooth signal from the bench top OCT system. This signal would be amplified by a simple 

inverter circuit with a gain of 18 (see Figure 8.14). 

 

 

Figure 8.13: Initial Set up for optical components of OARI probe 

 

 

In order to drive the actuator to generate suitable displacement of the optical fiber and 

obtain OCT images with a scan length of 2 mm or more, the inverter circuit required 

drive voltages of +/- 80 V or more. We encountered difficulty in locating an operational 

amplifier that could work under such high voltages. We finally settled on the MSK 130 

op amp.  

GRIN lens Actuator 

Optical Fiber 



 

 114 

 

Figure 8.14: Inverter circuit to amplify input signal to the bimorph actuator 

The next challenge came in trying to match the OCT signal from the reference 

arm to that of the optical fiber in order to obtain the images. Once we were able to 

do so, we discovered that the images we obtained were poor in quality due to bad 

synchronization (see Figure 8.15). 

 

Figure 8.15: B-scan image of infra-red card. 

 

After trouble-shooting, we discovered that the mechanical motion of the actuator was 
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impeded by a crack on the actuator. We also discovered that the breadboard on which the 

inverter circuit was built was not able to withstand the high voltages needed by the MSK 

130 op amp chip. This caused the inverter circuit to stop functioning from time to time.  

Because of these issues, we decided to use the Niris imaging system instead. With this 

system, we did not have to worry about accurately matching the signal from the sample 

and reference arm, as the interferometry was done inside the OCT probe itself. We also 

did not have to physically scan the probe across our sample in order to generate B-scan 

images. This removed the need for the actuator and the inverter circuit.  

Designing the sheath for the OCT system was relatively simple, as the only 

requirement was for the OCT probe to be able to slide in and out of the sheath.  The 

sheath also had to be narrow enough at the front of the OARI probe to allow enough 

room for us to place the transducer. However, the holder for the transducer required more 

effort. Previously we had proposed to tilt the transducer at an angle of 45 0. However, 

when it came to constructing the probe, we found 450 to be too large (see Figure 8.16).  

Tilting the transducer at 150 provided the most overlap between the foci of the 

acoustic and optical beams (see Figure 8.16c). However, in this configuration, the entire 

acoustic beam would be completely blocked by the OCT probe.  Tilting the transducer at 

100 ensured that a portion of the acoustic beam would not be blocked by the probe and 

would coincide with the optical beam (see Figure 8.16d). Tilting the transducer at 50 

provided less overlap between the acoustic and optical beams, when compared to the 100 

tilt. Based on this observation, we selected the 100 tilt for the final probe design. The 

transducer was placed 13 mm behind the probe tip in order for its focal spot to coincide 

with the optical beam in front of the probe.  We also needed the plastic holder for the 
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transducer to be hollow in the middle so as not to block the acoustic beam.  

 

      

              

             (a)           (b)          

        

(c)          (d) 

 

 
      (e) 

 
 

Figure 8.16: Schematic diagram of OARI probe with the transducer tilted at: (a) 450 (b) 
300 (c) 150 (d) 100 (e) 50 
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To seal the probe, we initially planned to epoxy a sheet of LDPE membrane over the 

top of the probe. However, this meant that whenever we needed to adjust the position of 

either the optical probe or the transducer, we would have to tear away the membrane and 

then epoxy a new membrane once readjustment was completed. To resolve this issue, we 

created a two-ringed cap with the LDPE membrane fitted between the two rings. With 

this we were then able to slip the cap on and off the top of the probe without damaging 

the membrane. Although the LDPE cap increased the overall diameter of the OARI 

probe, the probe is still small enough for in vivo applications in the oral cavity. 

 

 
 

8.6 CONCLUSION 
 
The design constraints for an in vivo OARI probe were identified as: the ability to 

generate displacement in tissue at focal point, co-localized foci for optical and acoustic 

beams, adequate acoustic coupling, and miniature size for endoscopic applications. Three 

preliminary designs that meet the stated requirements for the OARI probes were 

presented and one was selected for building and fabrication. The OARI probe has been 

designed and fabricated. It consists of an OCT probe encased in a plastic sheath, a 

miniaturized transducer glued to a plastic holder, both of which are encased in a stainless 

steel tube. The tube is filled with deionized water for acoustic coupling and is covered by 

an LDPE membrane cap.  
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CHAPTER 9 

CHARACTERIZATION OF OPTICAL/ACOUSTIC RADIATION 

IMAGING PROBE 

9.1 INTRODUCTION  

In the previous chapter, the OARI probe was designed and constructed. The probe is 

small enough for in vivo applications in the oral cavity. This chapter focuses on the 

characterization of the OARI probe. Based on previous data obtained in chapter 7, and 

the characterization of the acoustic output of the OARI probe, we determined the acoustic 

output of the OARI probe was too small to generate measurable displacements in the 

10% and 15% bladder wall phantoms. Therefore, the probe was tested on 3%, 4%, and 

5% bladder wall phantoms. The results of the OARI probe characterization on these 

phantoms, as well as the corresponding FEM analysis are presented in this chapter.  The 

results confirmed that the OARI probe has the ability to generate and track displacements 

in the bladder wall phantoms.  

 

9.2 OARI PROBE CHARACTERIZATION ON PHANTOMS 

 

9.2.1 Theoretical Simulation 

In order to validate the results of the probe characterization, theoretical simulations 

were performed using Field II and ANSYS, as outlined in section 7.3 of Chapter 7. The 

center frequency was set to 20 MHz, the PRF to 5 KHz, and the number of cycles in the 

pulse was set to 60. The generated three-dimensional intensity field was scaled using 

17.51 W/cm2 as the maximum intensity, and thresholded to 30% of the maximum value 
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to reduce computational overhead. 17.51 W/cm2 was set as the maximum intensity, since 

this was the intensity value obtained from the OARI probe characterization at 100 V p-p 

transmit voltage. Intensity values below 30% of the maximum intensity were further 

away from the focal zone of the acoustic beam and generated negligible acoustic 

radiation force values. Therefore, if the intensity value was below 30% of the maximum 

intensity, it was automatically assigned a zero. The intensity and pressure profiles of the 

acoustic beam are shown in Figure 9.1. 

(a) 

 (b) 
Figure 9.1: 3-dimensional profile of acoustic beam with maximum ISPTA.3 set to 21.33 
W/cm2. (a) Intensity profile. (b). Pressure Profile 
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Radiation body force values were calculated from the intensity values using equation 

5.1, and converted to nodal point loads as outlined in section 7.3. The nodal point loads 

were directed in both the x and y direction. The nodal point loads were multiplied by the 

sine of 100 to obtain the load in the x direction. The nodal point loads were multiplied by 

the cosine of 100 to yield the load in the y direction.  This was because the transducer in 

the OARI probe was tilted at an angle of 100. Therefore, the generated acoustic radiation 

force was also tilted 100 in the imaging plane. 

OARI was performed on 3%, 4% and 5% bladder wall phantoms as described in 

section 7.4. A 0.25 mm mesh was used in the FEM analysis. The relevant parameters 

used in ANSYS are shown in Table 8.1. 

 

9.2.2 OARI Experiment Procedure 

 
The OARI experimental setup is shown in Figure 9.2. The arbitrary waveform 

generator provided the input signal, which after amplification, was passed on to the 

miniature transducer inside the OARI probe. The probe was held downwards and 

clamped in a stationary position. OCT imaging was performed by the Niris OCT imaging 

system. A stage was placed underneath the OARI probe. A bladder wall phantom was 

mounted directly on the stage and water was poured over the phantom to mimic the 

conditions found in the oral cavity (see Figure 9.3a). The position of the OARI probe was 

adjusted until it was slightly above the phantom. The stage was moved up slowly until the 

phantom made contact with the LDPE membrane of the probe. This was verified by 
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watching the monitor of the OCT system. Images before and after the application of ARF 

were captured. 

Next, the stage was slowly lowered and the phantom was removed. The same phantom 

was then placed in a small water bath. The water bath was on the stage. This model 

mimics the conditions found in the human urinary bladder (see Figure 9.3b). Again, the 

position of the OARI probe was adjusted until it was slightly above the phantom. The 

stage was moved up until the phantom came into contact with the LDPE membrane. OCT 

images before and after the application of ARF were then obtained.  

 
 
 

 
 

Figure 9.2: Photo of OARI experimental set up. 
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   (a)      (b) 

Figure 9.3: OARI Phantom set up (a) Water is poured over phantom to mimic conditions 
found in the oral cavity (b) Phantom is submerged in water bath to mimic the conditions 
found in the urinary bladder. 

 
 
 
9.2.3 OARI Probe Characterization Results 

Figure 9.3a & b show OCT images of the 3% bladder wall phantom without any ARF 

application. The resulting displacement map is shown in Figure 9.4c. The maximum 

measured displacement was equivalent to 0 µm. This showed that without the application 

of ARF, no displacement was observed. This acted as our control experiment. Figure 9.5a 

& b show images of the 3% bladder wall phantom with water poured over the surface of 

the phantom before and after the application of ARF. The resulting displacement map is 

shown in Figure 9.5c. We calibrated the Niris OCT system and observed that a single 

pixel was equivalent to 7.9 µm. The maximum displacement observed was 7.9 µm in this 

case. Figure 9.6a & b show images of the 3% bladder wall phantom with the phantom 

submerged in a water bath before and after the application of ARF. The resulting 
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displacement map is shown in Figure 9.6c. The maximum displacement observed was 

also 7.9 µm.  

 

 
 

 
 

Figure 9.4: 3% bladder wall phantom control experiment (a) OCT phantom image 
without ARF (b) OCT phantom image without ARF (c) Displacement map with 
maximum displacement of 0 µm 
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Figure 9.5: 3% bladder wall phantom with water poured over its surface (a) OCT 
phantom image without ARF (b) OCT phantom image with ARF (c) Displacement map 
with maximum displacement of 1 pixel, or 7.9 µm. 
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Figure 9.6: 3% bladder wall phantom submerged in water bath (a) OCT phantom image 
without ARF (b) OCT phantom image with ARF (c) Displacement map with maximum 
displacement of 1 pixel, or 7.9 µm. 
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Figure 9.7a & b show images of the 4% bladder wall phantom without any ARF 

application. The resulting displacement map is shown in Figure 9.7c. The maximum 

measured displacement was equivalent to 0 µm. This acted as our control experiment. 

Figure 9.8a & b show images of the 4% bladder wall phantom with water poured over the 

surface of the phantom before and after the application of ARF. The resulting 

displacement map is shown in Figure 9.8c. The maximum displacement observed was 7.9 

µm in this case. Figure 9.9a & b show images of the 4% bladder wall phantom with the 

phantom submerged in a water bath before and after the application of ARF. The 

resulting displacement map is shown in Figure 9.9c. The maximum displacement 

observed was also 7.9 µm.  
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Figure 9.7: 4% bladder wall phantom control experiment (a) OCT phantom image 
without ARF (b) OCT phantom image without ARF (c) Displacement map with 
maximum displacement of 0 µm 
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Figure 9.8: 4% bladder wall phantom with water poured over its surface (a) OCT 
phantom image without ARF (b) OCT phantom image with ARF (c) Displacement map 
with maximum displacement of 1 pixel, or 7.9 µm. 
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Figure 9.9: 4% bladder wall phantom submerged in water bath (a) OCT phantom image 
without ARF (b) OCT phantom image with ARF (c) Displacement map with maximum 
displacement of 1 pixel, or 7.9 µm. 
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Figure 9.10a & b show images of the 5% bladder wall phantom without any ARF 

application. The resulting displacement map is shown in Figure 9.10c. The maximum 

measured displacement was equivalent to 0 µm. This acted as our control experiment. 

Figure 9.11a & b show images of the 5% bladder wall phantom with water poured over 

the surface of the phantom before and after the application of ARF. The resulting 

displacement map is shown in Figure 9.11c. The maximum displacement observed was 0 

m in this case. Figure 9.12a & b show images of the 5% bladder wall phantom with the 

phantom submerged in a water bath before and after the application of ARF. The 

resulting displacement map is shown in Figure 9.12c. The maximum displacement 

observed was also 0 µm.  
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Figure 9.10: 5% bladder wall phantom control experiment (a) OCT phantom image 
without ARF (b) OCT phantom image without ARF (c) Displacement map with 
maximum displacement of 0 µm 
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Figure 9.11: 5% bladder wall phantom with water poured over its surface (a) OCT 
phantom image without ARF (b) OCT phantom image with ARF (c) Displacement map 
with maximum displacement of 0 µm  
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Figure 9.12: 5% bladder wall phantom submerged in water bath (a) OCT phantom image 
without ARF (b) OCT phantom image with ARF (c) Displacement map with maximum 
displacement of 0 µm. 
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The results of the FEM theoretical simulation are shown in Figure 9.12. We observed 

a maximum displacement of 5.8 µm, 5.4 µm, and 5 µm for the 3%, 4%, and 5% bladder 

wall phantoms respectively. 

 

 

               (a)        
   

 
(b) 

 

 
      (c)  

Figure 9.13: Theoretical simulation of bladder wall phantoms (a) 3% (b) 4% (c) 5% 
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The FEM theoretical displacements and the measured displacements for the phantoms 

are presented together in Table 9.1. 

  

Table 9.1: Measured and Theoretical Displacement for Bladder Wall Phantoms using 
OARI Probe  

 
 
 

 

 

 

 

 

9.2.4 Discussion on OARI Probe Characterization Results 

In this section, we compare the results obtained from the OARI probe characterization 

in section 9.2.3 to the results obtained from the 20 MHz Transducer using the OARI 

bench top system in section 8.2 (see Table 9.2). It should be noted that for the OARI 

bench top system, the maximum intensity of the acoustic beam was 14.25 W/cm2. The 

acoustic beam was also unobstructed. For the OARI probe, the maximum intensity of the 

acoustic beam was 17.51 W/cm2 and the beam was partially blocked by the OCT probe. 

The beam was also tilted at an angle of 100. 

 

 

 

 

Bladder 
Wall 
Phantoms 

Number 
of Data 
Points 

Measured 
Displacement 
(µm) 

Theoretical 
Displacement 
(µm) 

Error 
(%) 

Temperature 
Increase (0C)  

      
3% 12 7.9 ± 0 5.8 26.6 0.00004 

      
4% 16 5.93 ± 3.5 5.4 8.9 0.00004 

      
5% 11 2.15 ± 3.69 5 57 0.00004 
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Table 9.2 FEM Theoretical and Experimental Data for bench top OARI System and 
OARI Probe. 
 

 Bench top OARI System OARI Probe 
Bladder 
Wall 
Phantoms 

Theoretical 
Displaceme
nt (µm) 

Measured 
Displaceme
nt (µm) 

Error 
(%) 

Theoretical 
Displaceme
nt (µm) 

Measured 
Displaceme
nt (µm) 

Error 
(%) 

       
3% 8.2 12 46 5.8 7.9 26.6 

       
4% 7.6 6 20.7 5.4 5.9 8.9 

       
5% 7.0 6 14.2 5 2.2 57 

 

For the 3% bladder wall phantoms, the FEM theoretical displacement was 8.2 µm and 

5.8 µm for the bench top system and the OARI probe respectively. Although, the 

intensity of the acoustic beam in the OARI probe is greater than that of the bench top 

system, part of its beam is blocked off from reaching the phantom by the OCT probe, 

resulting in less displacement in the phantom, when compared to the FEM displacement 

of the bench top system. The 100 angle tilt of the transducer in the OARI probe is also 

another reason why the OARI probe FEM displacement is smaller than the bench top 

system. The measured displacement was 12 µm and 7.9 µm for the bench top system and 

the OARI probe respectively. The measured displacement of the OARI probe is less than 

that of the bench top system, similar to the FEM displacement. The magnitude of the 

FEM displacement and the OARI displacement deviated by 46% and 26.6% for the bench 

top system and the OARI probe respectively. 

For the 4% bladder wall phantoms, the FEM theoretical displacement was 7.6 µm and 

5.4 µm for the bench top system and the OARI probe respectively. The measured 

displacement was 6 µm and 5.9 µm for the bench top system and the OARI probe 

respectively. The magnitude of the FEM displacement and the OARI displacement was 
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21% and 8.9% for the bench top system and the OARI probe. 

For the 5% bladder wall phantoms, the FEM theoretical displacement was 7.0 µm and 

5.0 µm for the bench top system and the OARI probe respectively. The measured 

displacement was 6 µm and 2.15 µm for the bench top system and the OARI probe 

respectively. The magnitude of the FEM displacement and the OARI displacement was 

14.2% and 57% for the bench top system and the OARI probe. 

Table 9.3 shows the results of the student’s t-test performed on the measured 

displacement of the 3% & 4%, 4% & 5%, and 3% & 5% bladder wall phantoms. The 

results indicate that there is no significant difference between the 3% & 4%, and that 

there is significant difference between the 4 & 5%, and 3 & 5%. 

 

 

Table 9.3 Two Sample Student’s T-Test Assuming Equal Variances 

  
3Per

cent 
4Per

cent 
4Perc
ent 

5Per
cent 

3Per
cent 

5Perc
ent 

Mean 7.90 5.93 5.93 2.15 7.90 2.15 
Variance 0.00 12.48 12.48 13.62 0.00 13.62 
Observations 12.00 16.00 16.00 11.00 12.00 11.00 
Pooled Variance 7.20   12.94   6.48   
Hypothesized 

Mean Difference 0.00   0.00   0.00   
Df 26.00   25.00   21.00   
t Stat 1.93   2.68   5.41   
P(T<=t) one-tail 0.03   0.01   0.00   
t Critical one-tail 1.71   1.71   1.72   
P(T<=t) two-tail 0.06   0.01   0.00   
t Critical two-tail 2.06   2.06   2.08   

 

For the 3% bladder wall phantom, we observed a single layer of motion (1 pixel or 7.9 

µm) in some of the elastograms, while others contained two layers of motion (1 and 0 

pixel, or 7.9 µm and 0 µm). For the 4% bladder wall phantom, we observed two layers of 
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motion (1 and 0 pixel, or 7.9 µm and 0 µm). For the 5% bladder wall phantoms, we 

observed a single layer of motion (0 pixel or 0 µm) in some of the elastograms, and (two 

layers of motion (1 and 0 pixel, or 7.9 µm and 0 µm) in others.  The major reason for this 

is that softer tissues exhibit more displacement than stiffer tissues when ARF is applied, 

and the depth of the resulting displacement is greater in softer tissues than stiffer tissues. 

So for the 3% bladder wall phantoms, the displacement of 1 pixel occurred through out 

the imaging region. For the 4% bladder wall phantoms, the displacement of 1 pixel 

occurred in the top half of the imaging region only. For the 5% bladder wall phantoms, 

the displacement of 1 pixel occurred in the top half of the imaging region, or in some 

cases, there was no displacement at all. 

The pulse duration (PD) of the applied ARF was set to 3 µs. Based on published data, 

soft tissue is expected to reach its maximum displacement in less than 1 ms and to 

recover to its original position in less than 5 ms [111, 112 & 116]. The pulse repetition 

frequency (PRF) was 200 µs. This means that the bladder wall phantoms do not have 

sufficient time to recover to the original position before the next ARF pulse is applied. So 

in essence, the applied ARF is almost a continuous force, and the resulting displacement 

is a static, constant displacement, as observed in the elastograms and modeled in the FEM 

analysis. 

 

9.3 CHALLENGES ENCOUNTERED IN PROBE CHARACTERIZATION 

The major challenge in characterizing the OARI probe was the electrical connection to 

the transducer. Since the transducer was very small, tiny silver wires were attached to the 

transducer using silver epoxy. The silver epoxy was not sufficient to provide mechanical 



 

 139 

stability to the wires, and so we completed the wire connection using regular epoxy.  This 

also proved to be insufficient, as the wires kept being pulled off from the transducer 

during the characterization process. Occasionally, large spikes of current were delivered 

from the amplifier to the transducer, causing the transducer and the small silver wires to 

burn out.  This was due to contact between the wires in the circuit. Extra caution had to 

be taken to ensure that the wires did not come in contact with other wires to prevent this 

from happening.  

Another minor challenge we faced was making sure there was little to no pre-loading 

stress on the phantoms due to its contact with the LDPE membrane prior to ARF 

application. Although the author was careful when bringing the phantom into contact 

with the LDPE membrane, the magnitude of the pre-compression force prior to the ARF 

application was not determined, and neither is it guaranteed that the pre-compressive 

force was the same for each phantom. This is also a challenge that will be encountered by 

any physician using the OARI probe for applications in the oral cavity or the urinary 

bladder. However, since gelatin phantoms have a linear stress-stain curve for strain less 

than 10% after pre-compression, we do not believe this has any significant impact on the 

characterization results.  

 

9.3 CONCLUSION 

The OARI probe was characterized on 3%, 4% and 5% bladder wall phantoms. With 

ISPTA.3 of 17.51 W/cm2 at a transmit voltage of 100 Vp-p, we obtained displacements of 

7.9 µm, 5.93 µm, and 2.15 µm for the 3%, 4%, and 5% bladder wall phantoms 

respectively. The corresponding theoretical FEM displacement was 5.8 µm, 5.4 µm, and 
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5.0 µm for the 3%, 4%, and 5% bladder wall phantoms respectively. The magnitude of 

the FEM displacement and the OARI displacement deviated by 26.6% and 8.9 % and 

57% for the 3%, 4%, and 5% bladder wall phantoms. Based on this, we conclude that the 

OARI probe has the ability to generate and track displacements. 
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CHAPTER 10 

CONCLUSION AND FUTURE WORK 

 

The purpose of this thesis was to investigate the use of OARI in epithelial cancer 

detection.  Since the epithelial tissue is found in many different organs in the body, the 

research focused on a single organ that possessed the epithelium. The organ that was 

selected was the human urinary bladder. Since a majority of epithelial tissues have 

similar structures, OARI will be applicable across a broad range of organs. In order to 

explore OARI of the human urinary bladder, it was necessary to develop a model that 

possessed the mechanical, acoustic, and optical properties of the human bladder. A 

tissue-mimicking bladder wall phantom, comprised of bovine serum albumin (BSA), 

polystyrene and copolymer microspheres in a gelatin matrix, was developed and 

characterized. This work has been published in the Journal of Medical Physics. These 

phantoms were used as control tools in exploring the feasibility of OARI in the human 

urinary bladder. 

The feasibility of OARI has been demonstrated on the bladder wall phantoms using a 

bench top OCT system and a custom-built, fully characterized 5 MHz transducer.  Three-

dimensional intensity and pressure fields of the ARF sources were generated using Field 

II, an acoustic simulation software package. The displacement fields of OARI were 

modeled using finite element methods (FEM) in ANSYS. Comparison of the OARI 

experimental results with FEM theoretical results validated the new imaging system.  For 

the 5 MHz spherically focused transducer, the magnitude of the FEM displacement and 

the experimental OARI displacement deviated by a mean of 76% for the 5% bladder wall 



 

 142 

phantom, 68% for the 10% bladder wall phantom, and 56% for the 15% bladder wall 

phantom. The most significant source of error lies in the resolution of our OARI system, 

which is approximately 6 µm. This work was published in IEEE International 

Symposium on Biomedical Imaging (ISBI), 2011. 

There were four major limitations of the system used in establishing the feasibility of 

OARI. The limitations were: 

(1) The size of the system. The OARI system was too big for endoscopic 

application.   

(2) The acoustic beam was applied to the bottom of the phantoms, while the 

OCT image was captured from the top of the phantoms. This configuration was 

impossible for in vivo applications.  

(3) The capture of the OCT frames before and after the application of ARF 

was performed manually. The user manually instructed the OCT system when to 

begin capturing images, before going on to apply the ARF, and then instructed the 

system to stop image capture after the ARF had been applied. This procedure is 

inefficient and time wasting for in vivo applications. To improve the OARI 

system, the ARF generation system and the OCT system would have to be 

electronically coupled, so that the OCT system automatically commences image 

capture once the ARF system is triggered.  

(4) The cross correlation algorithm used to generate the displacement map 

limited the resolution of the OARI system to approximately 6 µm. 

 

The remaining section of the dissertation focused on addressing the first two 
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limitations. Preliminary experiments demonstrated that OARI can also be performed with 

a flat 20 MHz transducer. For the flat unfocused 20 MHz transducer, with an ISPTA.3 of 

14.25 W/cm2 at 100 Vp-p, we obtained displacements of 12 µm, 6 µm, and 6 µm for the 

3%, 4%, and 5% bladder wall phantoms respectively. The corresponding theoretical FEM 

displacement was 8.2 µm, 7.6 µm, and 7.0 µm for the 3%, 4%, and 5% bladder wall 

phantoms respectively.  The magnitude of the FEM displacement and the OARI 

displacement deviated by 46% for the 3% bladder wall phantom, 21% for the 4% bladder 

wall phantom, and 14% for the 5% bladder wall phantom.  

The design constraints for an in vivo OARI probe were identified as:  

(1) the ability to generate displacement in tissue at focal point using a 

miniature transducer; 

(2) Co-localized foci for optical and acoustic beams; 

(3) Adequate acoustic coupling; 

(4) Miniature size for endoscopic applications.  

 

Three preliminary designs that meet the stated requirements for the OARI probes were 

presented and one was selected for building and fabrication. The OARI probe has been 

designed and fabricated. It consists of an OCT probe encased in a plastic sheath, a 

miniaturized transducer glued to a plastic holder, both of which are encased in a stainless 

steel tube. The tube is filled with deionized water for acoustic coupling and is covered by 

an LDPE membrane cap.  

The characterization of the OARI probe yielded an ISPTA.3 of 17.51 W/cm2 at a 

transmit voltage of 100 Vp-p. At this acoustic intensity, we obtained displacements of 7.9 
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µm, 5.93 µm, and 2.15 µm for the 3%, 4%, and 5% bladder wall phantoms respectively. 

The corresponding theoretical FEM displacement was 5.8 µm, 5.4 µm, and 5.0 µm for 

the 3%, 4%, and 5% bladder wall phantoms respectively. The magnitude of the FEM 

displacement and the OARI displacement deviated by 26.6% and 8.9 % and 57% for the 

3%, 4%, and 5% bladder wall phantoms. The results were comparable to what we 

obtained from the bench top OARI system with the flat 20 MHz transducer.  

Future work will focus on utilizing phase-sensitive OCE to obtain the resulting OARI 

displacements, as opposed to the current cross correlation algorithm that was employed in 

this dissertation. The use of phase-sensitive OCE would increase the resolution of the 

OARI probe elastography from 7.9 µm to 0.15 nm. This would enable physicians to 

adequately characterize soft tissues with Young’s Modulus greater than the 5% bladder 

wall phantom (12.03 kPa). The current OARI prototype probe is 10mm in diameter. 

While this is small enough for applications in the oral cavity, it is still too big for 

applications in other parts of the body. The diameter of the OARI probe will have to be 

less than 4 mm in order for the probe to be useful to physicians. If the OARI probe is less 

than 4 mm in diameter, then the probe can be inserted into endoscopes for clinical 

applications in the oral cavity, the digestive system, the respiratory system, the genital 

system, and the urinary system. Finally, the ARF generation system and the OCT system 

would have to be electronically coupled in the future, so that the miniature OARI probe 

automatically commences image capture once the ARF system is triggered.  

The work presented in this dissertation contains several contributions to the scientific 

community. The bladder wall phantom is the first phantom that has been designed to 

possess the mechanical, acoustic and optical properties of the urinary bladder. Following 
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the protocol developed in this dissertation, phantoms matching the optical, acoustic, and 

mechanical properties of other biological tissues can also be constructed. The OARI 

probe developed in this dissertation represents, to our knowledge, the first probe that 

combines ARF and OCT.  Only one report in published literature demonstrated ARF-

OCE in strain mapping of the vascular wall for plaques [125]. ARF-OCE was 

demonstrated by simulating the radiation force pressure and applying line-by-line 

elastography to OCT images. The radiation force pressure was simulated, and not 

physically applied. In our work, the OARI probe physically applies acoustic radiation 

force, and tracks the resulting displacement using cross-correlation algorithm. The probe 

has the ability to obtain the optical and mechanical properties of phantoms and soft 

tissue. This could prove useful in early epithelial cancer detection and bladder cancer 

detection in particular.  
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