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ABSTRACT	OF	THE	DISSERTATION	

	
Development	of	acoustic	radiation	force	optical	coherence	elastography	system	for	in	vivo	

mapping	of	biological	tissues	
	
By	
	

Yueqiao	Qu	
	

Doctor	of	Philosophy	in	Biomedical	Engineering	
	

	University	of	California,	Irvine,	2018	
	

Professor	Zhongping	Chen,	Chair	
	
	
 

Mechanical elasticity often serves as a major indicator for pathological changes in ocular as well 

as intravascular diseases. For example, age-related macular degeneration is an ocular disease that 

occurs in the posterior eye, where central vision gets damaged due to drusen formation and 

neovascularization. The mechanical elasticity of the tissue is often altered during the onset of 

disease before structural changes are detectable with existing technologies. It is necessary to 

detect these changes early and provide timely treatment due to either the irreversible nature of 

the disease progression or the fatal consequences associated with late diagnosis. This thesis 

focuses on the development of an acoustic radiation force optical coherence elastography (ARF-

OCE) system to map the mechanical elasticity of tissues, and the translation of this laboratory 

technology to in vivo animal studies. This technique uses ultrasonic excitation to apply a force 

onto the tissue and optical coherence elastography to detect the spatial and frequency responses 

of the tissue, which combines to quantify the elasticity and provide an elasticity map. The 

resonance frequency method is validated and used to measure the bulk modulus of the tissue 

while a Voigt spring model calculates the individual layer elasticity. We first test the feasibility of 



	
	

xv 

the system using tissue-mimicking phantoms. Then we perform tissue imaging on the ex vivo 

anterior and posterior eye, where we are able to provide quantified elasticity maps of the rabbit 

cornea and porcine retina The system is then translated to in vivo imaging, for which quantified 

elasticity mapping of the rabbit retinal layers can be obtained. In addition, we have also 

fabricated an ARF-OCE catheter with a diameter of 3.5 mm, which was validated using phantom 

studies, and intravascular imaging was performed on a human cadaver artery. This study is a 

major stepping stone to the translation of the ARF-OCE technology in measuring the mechanical 

properties of tissues in clinical settings. Future studies using this technology include monitoring 

the retinal elasticity during and after electrode stimulation treatment and also intravascular 

elasticity imaging to diagnose atherosclerosis. 

	

	

	

	

	

	

	

	



	
	

1 

CHAPTER	1	

Introduction	

	
1.1	Retinal	diseases	

Mechanical properties, such as the elasticity and viscosity, are often major indicators of diseases. 

The stiffness of tissue changes in unison with the onset of pathology in the cases of 

cardiovascular diseases, ocular diseases, and tumor formations. The cellular composition of the 

tissues is altered over time, in tune with disease progression. However, the reported stiffness of a 

specific type of cell or tissue differs greatly depending on the type of imaging modality used and 

the experimental conditions. In order to accurately distinguish the diseased tissues from healthy 

ones, it is necessary to validate the results through both theoretical and experimental methods. 

 

Age-related macular degeneration (AMD) is one of the leading causes of blindness in the North 

American and European population over the age of 60 years (1, 2). Approximately 1.7 million 

Americans over 65 years of age have visual impairment due to AMD, according to the statistics 

provided by the NIH National Eye Institute. Since vision directly impacts the quality of life in 

the aging population, it is essential that this condition is diagnosed and treated in its early stages. 

  

The retina is a light sensitive layer at the posterior section of the eye that is responsible for 

converting and sending visual signals to the brain. Although the layer is only approximately 200 

- 300 um thick, it has many sublayers that contribute to its function as shown in Figure 1.1 (3). 

AMD is a retinal disease that is classified in stages. Early stage AMD occurs when changes in 

the macular pigmentation occur and drusen, which is a yellow-colored focal deposition of 

acellular polymorphous debris, forms in the retina, and contribute to blindness. These deposits, 
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which can grow to over 125 um in size, are most often located between the basal lamina of the 

retinal pigment epithelium (RPE) and the Bruch’s membrane as depicted in Figure 1.1 (4). In the 

late stage progression of AMD, neovascularization and atrophy of the retina occur, as well as 

overt loss of central vision (5). The early stages of AMD are often known as “dry” macular 

degeneration, referring to the drusen, while the latter stages are “wet” due to the vascularization. 

 

Figure 1.1 Dry-form AMD. 
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In order to diagnose AMD, fundus imaging, angiography and optical coherence tomography 

(OCT) techniques have been used (6, 7). The en face surface anatomical information along with 

the blood vessel formations, and the blood flow dynamics, can be obtained with fundus imaging 

and angiography, respectively. OCT is a relatively newer imaging modality that can visualize the 

entire depth of the retina, especially subsurface structures associated with the retina and even the 

choroid (8). With these modalities, the anatomical structures of the retina have been studied 

extensively. However, in many cases, it is still challenging to diagnose the early stages of AMD 

during the beginning of drusen formation when there is a stiffening of tissue, but tissue 

morphology change is not visible by conventional imaging techniques. 

  

The elasticity of the ocular tissue will change during the onset of AMD, possibly as a precursor 

to neovascularization (9). Elasticity changes in the retina and choroid can occur when the 

microvasculature changes or when drusen forms. In order to study the mechanical structure of 

the retina, several studies attempt to provide elastic properties by performing mechanical strain 

testing in vitro (10, 11). However, testing is not currently available for tissues in vivo. In addition, 

the entire retina is extracted as a single unit, which means that information for the individual 

layers cannot be obtained. Other studies turn to mathematical modeling of the retina to determine 

the Young’s modulus, which is the standard measurement of stiffness (12). 
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1.2	Cardiovascular	diseases	

 

Figure 1.2 Atherosclerosis in arteries. 

 

Cardiovascular diseases have the highest rate of fatalities and account for 30.8 % of all deaths in 

the United States (13, 14). Atherosclerosis, accounting for 41 deaths per day, is a cardiovascular 

condition that is associated with changes in the composition of the blood vessel walls. A healthy 

blood vessel consists of 3 layers in the vessel wall, including the tunica intima, tunica media, and 

tunica externa as shown in Figure 1.2. During the early onset of disease or atheroma, the walls of 

the artery thicken due to fatty deposits, inflammation, cells, and scar tissue build up (15, 16). 

Eventually, the lesions that form, often known as plaques, are composed of distinctive necrotic 

cores and a fibrous cap. If the plaque is stable with a relatively thick cap and small lipid core, 

there may be varying degrees of obstruction to blood flow. However, in the case of a vulnerable 
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plaque, the cap, containing collagen and smooth muscle cells, becomes less than 65 um, and can 

rupture easily. When there is a plaque rupture as shown in Figure 1.2, the inflammatory elements 

of the necrotic core bursts into the artery, and can cause blocked arterial flow, angina, or even 

myocardial infarction (17, 18).  

 

Early detection of vulnerable plaques is essential to the health and safety of cardiovascular 

patients. The structure and composition of the plaque is largely used currently to determine its 

vulnerability. Current clinical imaging techniques include angiography, angioscopy, ultrasound, 

and magnetic resonance imaging (MRI) (19, 20). Angiography allows the physician to visualize 

the region of blockage, by inserting a dye into the bloodstream and observing the mechanism of 

flow (21). Angioscopy helps to examine the surface of the interior blood vessel to identify areas 

of damage and abnormality (22, 23). Ultrasound and MRI allow for the visualization through the 

depth of the blood vessel walls, at the expense of resolution and cost, respectively (24). Due to 

limitations of the current imaging modalities, they cannot effectively identify vulnerable plaques 

with high sensitivity and specificity (19, 20). Since the change in the composition of the blood 

vessel wall is indicative of the early onset of atherosclerosis, it is possible to classify 

vulnerability according to the composition. Plaques can be differentiated into 3 different types: 

lipid, fibrous, and calcified. The mechanical stiffness of these three components differs by nearly 

one order of magnitude (25-27). Therefore, if the stiffness of the tissue can be measured, the 

composition can be determined, and vulnerable plaques can be isolated. 

 

Mechanical testing methods have been used to observe the differences in the stiffness of lipid, 

fibrous, and calcified plaque components (28-30). However, these tests require the extraction and 
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manipulation of the tissue, which is not possible for in vivo imaging. It is necessary to understand 

the change in tissue elasticity in-vivo during the early onset and formation of plaques in order to 

accurately assess the mechanical properties under the influence of natural environmental factors 

(23, 25, 26, 31). The feasibility of such measurements is limited by the resolution and accuracy 

of the measurement devices, size of the device, and the accessibility of the plaque in question.  

 

1.3	Elasticity	imaging	

Tissue elastography is a method that has been developed to map out the mechanical properties of 

tissues (32, 33). There are typically three steps involved as depicted in Table 1.1: excitation, 

detection, and parameter estimation (34-36). The tissue is first excited using an internal or 

external mechanism, where the tissue itself or an outside force causes deformation (36). The 

force can be either static or dynamic in nature, depending on the variable to be measured. For 

example, a few external methods include piezoelectric elements, air puff devices, and acoustic 

radiation force (ARF) using ultrasound transducers. All of these devices can operate by giving 

static, continuing force to analyze a stable deformation state, or by providing a single or 

modulated dynamic signal of pulses to analyze the change in deformation over time. Once the 

tissue is deformed, a technique is used to visualize and measure the amount of deformation. 

Traditionally, mechanical testing using pressure sensors were used to obtain data in ex vivo 

samples. Magnetic resonance and ultrasound methods have also been used to detect tissue 

deformation at the expense of high cost and low resolution, respectively. In recent years, optical 

imaging methods, such as optical coherence elastography, have been developed to detect tissue 

response (37-45). In particular, Doppler OCT has been widely used for detection, with its main 

advantages being its high resolution and the high phase sensitivity.  
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Table 1.1 Elastography in three steps. 

  

Most parameter estimation methods target the extraction of elasticity by the means of 

elastograms or elasticity maps (37-45). Research has also been done to observe other mechanical 

properties, such as the viscosity (46-48). The parameter estimation can be either quantitative or 

qualitative. Qualitative methods allow users to obtain relative values for mechanical properties 

and can be beneficial for the comparison between healthy and diseased tissues. However, there 

are often problems with the calibration accuracy of the system, and environmental and 

systematic changes between measurements, that limit the functions of qualitative data. Due to 

these factors, quantitative measurements with strong theoretical evidence are always preferred. A 

few examples of quantification include shear wave velocity calculations, strain imaging, and 

tissue frequency response (49-53). Select methods will be discussed in detail in the next section. 

 

In order to perform in-vivo real time imaging with information of different retinal layers, while 

accounting for perfusion and intraocular pressure, a fast functional imaging system is necessary. 

Ocular optical elastography is a relatively new method of providing elasticity mapping with high 

resolution and sensitivity (37). Several applications have been studied using this technique, 

including the cornea (54-56). However, the mechanical properties of the retina are still not well 
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defined since the retina is inaccessible to many elastography methods. Therefore, a technology 

using acoustic excitation and optical detection can possibly help scientists and physicians better 

understand the mechanisms of AMD in-vivo, specifically the changes in tissue elasticity, in order 

to more accurately diagnose and track the progression of the disease in its natural setting. 

 

Intravascular elastography using ultrasound has been widely studied in the past 20 years (23, 57-

59). In general, a pressure is applied to the artery, and ultrasound is used for detection of tissue 

displacement, which is then converted to strain measurements and an elastogram can be 

generated. Examples of ultrasound elastography techniques include compression strain imaging 

and phase-sensitive speckle tracking methods based on cross-correlation analyses (58). In vivo 

intravascular ultrasound elastography studies have also taken place in the past years, along with 

modeling methods such as finite element analysis (60-62). However, these methods are often 

limited by the low ultrasound resolution of typically 150-300 um, which allow for the detection 

of homogenous plaque types, but restrict the observation of heterogeneity within small regions, 

which is the case for most human plaques (63). In addition, most vulnerable plaques are 

characterized by thin fibrous caps, as little as 65 um in thickness, which cannot be accurately 

measured using ultrasound (17). Using optical methods, with micron-level resolution, it is 

possible to detect minute changes in tissue elasticity within a small region. Finally, due to the 

nanometer sensitivity of phase resolved methods, only small forces are necessary to induce 

vibrations, which is critical in in-vivo clinical applications. 

 

OCE is a technology that uses the principles of OCT to detect the tissue response to excitation. 

OCT is based on the interference of the back-scattered light signals of the sample and a reference 



	
	

9 

mirror (8, 64). In regards to OCE, an excitation force, most often external, is applied to the 

tissue, while the optical interference information is extracted (34, 40-45, 65-67). The information 

provided can be used to measure the tissue response by using parameters such as phase resolved 

method and Doppler variance methods, depending on the type of parameter estimation.  

 

There are primarily 2 types of tissue responses, which rely on elastic wave properties, studied 

using OCE: the p-wave and the s-wave (68). When a force is exerted on a sample, the first 

response consists of the p-wave, also known as the compressional wave, traveling across the 

sample parallel to the direction of the force. The p-wave travels at a high speed and essentially 

compresses the sample as it passes, providing the relative Young’s modulus of the penetration 

region. The s-wave, also referred to as the secondary or shear wave, travels perpendicularly to 

the direction of the initial force and is approximately 3 orders of magnitude slower than the p-

wave (69). The s-wave is directly related to the shear modulus. There are primarily two different 

methods of parameter estimations, including Doppler OCE using the p-wave measurements to 

obtain the elastic modulus and velocity extraction using s-waves to obtain the shear modulus. 

	

1.4	Summary	of	chapters	

In this dissertation, acoustic radiation force optical coherence elastography (ARF-OCE) is 

developed for ocular and cardiovascular applications and has been translated from benchtop 

testing to in vivo animal studies. The system measures the mechanical elasticity of tissues by 

applying a compressional wave or force on the sample and measuring the frequency and 

amplitude of the tissue vibrations. The technique provides synchronized excitation and detection, 

real-time image acquisition, and quantified spatial mapping of tissues. This technology addresses 
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a current unmet need in medicine and overcomes the limitations on existing technologies. Brief 

summaries of the chapters are given below. 

 

Chapter 2 introduces OCE in detail. First, the principles of time-domain and Fourier-domain 

OCT are discussed, and then focuses on the alignment and calibration of SD-OCT. The principles 

of ARF are described, and the technologies are combined to introduce the ARF-OCE system.  

 

Chapter 3 presents the corneal imaging project using a basic ARF-OCE system, proving the 

feasibility for ocular elasticity mapping. Phantom studies as well as ex vivo tissue studies are 

performed and the results of healthy versus cross-linked tissue are analyzed.  

 

Chapter 4 discusses the resonance frequency approach to imaging and quantifying ocular tissue, 

stepping away from the relative elasticity measurements presented in the previous chapter. 

Phantom calibration is done and the results are validated with mechanical testing. Ex vivo 

porcine and rabbit ocular samples are studied, and the elasticity of tissue is measured with 

varying intraocular pressure. 

 

Chapter 5 focuses on retinal layered elasticity mapping, with the addition of a synchronized, 

quantified approach. First system synchronization is achieved by timing the excitation and 

detection simultaneously. Then ex vivo retinal images are acquired using a porcine model. 

Quantification and data analysis are performed by segmenting the ocular layers and applying a 

spring model to isolate individual layers. 
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Chapter 6 presents the first in vivo ARF-OCE imaging of retinal layers and the mechanical 

quantification of each layer, showing the feasibility of translating the technology for in vivo 

imaging. The healthy rabbit eye is imaged in vivo at different locations on the central retina and 

statistical analysis is performed. A diseased retinal degeneration model is also established and the 

change in mechanical elasticity is tracked. Limitations of the in vivo system for clinical 

translation are also discussed.  

 

Chapter 7 introduces the first intravascular ARF-OCE system, including the front-facing probe 

design and fabrication. Phantom validations were performed and ultimately, a cadaver human 

carotid artery segment was imaged, where an elasticity map was obtained and different plaque 

components were identified.  

 

Chapter 8 summarizes the work that is presented in this dissertation from basic imaging to in 

vivo, real-time, quantified elasticity mapping. Finally, future research directions including retinal 

stimulation OCE and in vivo intravascular OCE are presented with preliminary results. 
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CHAPTER	2	

Optical	Coherence	Elastography	

In	 this	 chapter,	 we	 introduce	 the	 basic	 concepts	 of	 the	 optical	 coherence	 elastography	

imaging	 system.	 First	 section	 2.1	 covers	 the	 principles	 of	 optical	 coherence	 tomography,	

including	 the	 transition	 from	 time-domain	 to	 frequency-domain	 systems.	 Section	 2.2	

explores	 the	spectrometer	based	OCT	 in	more	depth,	 specifically	 the	hardware	alignment	

and	software	calibration.	Next,	the	principles	of	ARF	based	on	ultrasound	are	discussed	in	

section	 2.3.	 In	 section	 2.4,	 the	 excitation	 and	 detection	 of	 the	 system	 is	 combined	 to	

introduce	the	phase-resolved	ARF-OCE	technology.	The	elasticity	quantification	method	is	

discussed	in	section	2.5,	and	the	chapter	ends	with	a	summary	in	section	2.6.		

	

2.1	Principles	of	optical	coherence	tomography	

OCT is an emerging technology in ophthalmology and cardiology, achieving a non-invasive, 

non-ionizing method of micron resolution imaging. OCT uses a coherent source to measure the 

optical backscattering from tissue and other samples (8, 64). OCT is able to provide cross-

sectional views of tissues and 3 dimensional volumetric imaging. Just as ultrasound uses the 

propagation of sound and its interaction with tissue, OCT relies on the transmission of near-

infrared light. With a resolution of ~2-15 um and an imaging penetration of 1-2 mm in tissue, 

OCT has been widely studied for in vivo and clinical applications (8, 64, 70, 71). 

 

OCT was first introduced to ophthalmic imaging in 1986 and has since gained popularity in the 

area of retinal imaging. The technique is based on the Michelson interferometer shown in Figure 

2.1a (8, 72). A coherent light source emits light that is split by a beam splitter. A portion of the 



	
	

13 

light is reflected on to the first mirror and the rest is transmitted toward the second mirror. The 

light from both mirror is directly reflected back over the same path toward the beam splitter. The 

light paths combine and the interference signal is picked up by the detector. The imaging axial 

location of the tissue depends on the path length difference between the 2 mirrors. The first OCT 

system was based on the time-domain (TD) design as shown in figure 2.1b. The second mirror is 

replaced by a tissue sample in the sample arm and since depth information is required, a moving 

mirror reference arm is introduced, most often via mechanical scanning methods. The mirror 

oscillates from the beam splitter and changes the path length between the sample and reference 

arms depending on the axial location of interest.  

	

Figure	2.1	a)	Michelson	interferometer,	b)	Time-domain	OCT.	

	

To illustrate the theory of OCT, the electric field of back scattered light from the reference mirror 

and sample arm reflectors 1 to N are described below as 𝐸!and 𝐸! respectively.	

																												𝐸! 𝑘,𝑤 = 𝑐𝑆 𝑘,𝑤 𝑟!𝑒! !!!!!!" 																																																										(Eq.	2.1)	

𝐸!(𝑘,𝑤) = (1− 𝑐)𝑆(𝑘,𝑤) 𝑟!(𝑧!)𝑒!(!!!!!!")!
!!! 																													(Eq.	2.2)	
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Where 𝑆 denotes the power of the laser source, and c denotes the ratio at which the light is split 

from the laser to the reference arm. 𝑧 and 𝑧! are optical path length determined by the position of 

sample arm reflectors and reference mirror. Function 𝑟! represents sample reflectivity along axial 

direction, while 𝑟! denotes the reflectivity of reference mirror. The angular frequency of the light 

is denoted by 𝑤. Accordingly, the power of interference between reference and sample light can 

be given by equation 2.3.  

𝑆! 𝑘 = 𝑐𝑆 𝑘 𝑟! + (1− 𝑐)𝑆 𝑘 𝑟! 𝑧!!
!!! 																																																															(a)	

+ 𝑐(1− 𝑐)𝑆 𝑘 𝑟! 𝑧! 𝑟!!
!!! 𝑐𝑜𝑠 2𝑘 𝑧! − 𝑧! 																																															(b)	

+(1− 𝑐)𝑆 𝑘 𝑟!(𝑧!)𝑟!(𝑧!)!
!!!!! 𝑐𝑜𝑠 2𝑘 𝑧! − 𝑧! 																														(c)	

(Eq.	2.3)	

Where three components, include DC term, cross-correlation (CC) term and auto-correlation 

(AC) term, can be identified in Eq. 3a, 3b and 3c respectively. To be specific, DC term is the 

summation of light power from both arm, AC term represents the self-interference signal from 

sample arm, and CC term denotes the interference between sample and reference arm. The 

angular frequency term is eliminated from the phase of the light because its frequency usually 

exceeds the cut off frequency of the photodetector. In the case of OCT imaging, the depth 

resolved information is achieved by canceling AC and DC term first, and then de-correlating the 

cross-correlation component to retrieve the axial profile of sample reflectivity.  

𝐼 𝑧 = !
!
𝑆! 𝑐𝑟! + 1− 𝑐 𝑟! 𝑧!!

!!!                                                                    	(a) 

+ !
!
𝑆! 𝑐(1− 𝑐) 𝑟! 𝑧! 𝑟!!

!!! 𝑒!(!!!!!)!!!!𝑐𝑜𝑠 2𝑘! 𝑧! − 𝑧! 													(b) 

(Eq.	2.4)	
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For time domain OCT, the output detector current can be obtained by integrating the signal over 

k and the signal for each individual depth can be obtained as shown by equation 2.4, where 

𝑆! 𝑧 = 𝑆 𝑘 𝑑𝑘, 𝜌 is the responsivity of the detector, Δk is the range of wavenumber, and 𝑘! 

is the central wavenumber. For TD-OCT, an A-line can be obtained based on the interference 

amplitude at each z location by moving the mirror. For 3D scanning and rendering, it is 

necessary to add a scanner on the sample arm to navigate the light beam across the volumetric 

space. A-lines are taken at every point and pieced together to create a B-scan, which is then 

combined to render a 3D image. 

 

The primary limitation of TD-OCT is the scanning speed of the reference mirror. With 

mechanical methods, it is difficult for imaging to exceed 10 frames per second, which is below 

the scanning speed required for most in vivo applications. For example, breathing movements 

and reflex motions make it difficult to image for long periods of time. Therefore, Fourier domain 

(FD) OCT was discovered and has become a necessary commodity in ophthalmology (8, 64).  

 

FD-OCT is split into 2 designs: swept-source (SS) OCT and spectral-domain (SD) OCT. FD-

OCT uses a stationary reference mirror and analyzes the interference pattern with respect to the 

wavenumber in k-space. Fourier transform is performed to convert the frequency information in 

k-space to depth information for a single A-line. In order to use a range of wavelengths 

corresponding to the wavenumbers, SS-OCT replaces the light source with a swept-source laser, 

which sweeps over a broad spectrum of light to calculate the interference. SD-OCT uses a 

similar principle but instead of a swept laser, it uses a broadband laser while the wavelengths are 

separated using a diffraction grating in the detector portion. FD-OCT offers faster imaging and 
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higher SNR than its TD-OCT counterpart. SD-OCT is chosen for this study due to its high phase 

stability associated with having no moving parts.  

 

	

Figure	2.2	Schematic	of	SD-OCT	system.	

	

The basic schematic diagram of a SD-OCT system is shown in Figure 2.2. A broadband SLD 

source emits near-infrared light and an isolator guides the light in a forward direction to avoid 

laser damage associated with strong back reflections. A 2x2 coupler is used to couple the low 

coherence light from the SLD laser into a fiber-based Michelson interferometer. The light is split 

into the sample and reference arms. In the reference arm, the light is collimated, attenuated, and 

reflected directly back with a mirror through the same path. The light in the sample arm is 

collimated, focused onto the sample, and the backscattered signal is collected. A galvanometer is 

often used for fast and accurate 2D scanning. The back-reflected light from the sample arm and 
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reference arm is collimated and dispersed by a diffraction grating. Finally it is focused onto a line 

scan CMOS or CCD camera by an achromatic lens. When the path lengths of the sample and 

reference arms are matched, the light will interfere and the camera will collect and digitized the 

interference spectrum as described by Eq. 2.3.  

 

To obtain cross-correlation component, DC term is first extracted and removed by averaging the 

interference fringes across consequent A-Scans, while AC term is simply ignored because it is 

usually too weak to be detected. Fourier transform will then be performed to de-correlate the 

cross-correlation signal as shown in Eq. 4 below. The wave number and the depth resolved 

signal are a Fourier transform pair. This transforms the interference spectrum from k-space, 

which is based on the intensity at different wave numbers, to an A-line with depth information. 

The Fourier transformed signal is separated into two separate signals for two symmetrical 

images. 

𝐼 𝑧 = ℱ!!( 𝑐 1− 𝑐 𝑆(𝑘) 𝑟! 𝑧! 𝑟!

!

!!!

𝑐𝑜𝑠 2𝑘 𝑧! − 𝑧! ) 

= 𝑐 1− 𝑐 𝑆 𝑧 ⨂ 𝑟! 𝑧! 𝑟!!
!!! δ z + 2𝑧! − 2𝑧! + δ z − 2𝑧! + 2𝑧!        

       (Eq. 2.5)	
Equation 2.6 rewrites the interference intensity expression in terms of its magnitude and phase 

information, where 𝜙 𝑧  refers to the phase at depth 𝑧. 

 𝐼 𝑧 = 𝐼(𝑧) 𝑒!" !        (Eq. 2.6) 

The magnitude of the interference signal determines the intensity of the A-line at depth z and is 

used to construct the OCT image. The phase term can be extracted to yield the tissue 

displacement information using Doppler OCT methods, and will be discussed in section 2.4.  
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Since	OCT	focuses	on	using	low	coherence	light	sources,	constructive	interference	between	

the	sample	and	reference	arms	can	be	extracted	only	within	a	coherence	length	window,	L,	

defined	as:
 

	𝐿 = !!"!
!

!!

!∆!
= 0.44 !!

!∆!
						

                                 (Eq. 2.7)
	

where Δλ is the bandwidth of the source and n is the refractive index of the tissue. The coherence 

length is also defined as the axial resolution of the OCT system.  

 

Alternatively, the lateral resolution, Δx, of the system is dependent on the focusing lens at the 

sample arm. In equation 2.8, the F# or F number is a unique property of the lens and is defined to 

be the focal length, f, divided by the beam size, D. 

             
#4 4F fx

D
λ λ
π π

Δ = =
                                    (Eq. 2.8) 

	

There	 are	 always	 trade-offs	 between	 different	 optical	 properties,	 such	 as	 the	 lateral	

resolution	and	the	focal	length.	Depending	on	the	specific	application,	a	most	suitable	OCT	

system	can	be	designed.	For	ophthalmic	imaging,	we	require	 low	water	absorption	due	to	

the	 high	 water	 content	 in	 the	 eye,	 so	 a	 lower	 wavelength	 is	 necessary.	 In	 addition,	

elastography	utilizes	Doppler	OCT	methods,	which	calls	for	high	phase	stability,	so	SD-OCT	

is	the	prime	candidate	with	no	moving	parts.		

	

2.2	SD-OCT	alignment	and	calibration	

Two	major	challenges	of	SD-OCT	are	the	spectrometer	alignment	and	k-space	calibration.	

Since	commercial	SD-OCT	systems	often	do	not	allow	for	customization	 for	 incorporating	
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ARF	 excitation,	 specifically	 the	 signal	 synchronization	 algorithm	 and	 the	 hardware	

compensation	 for	 imaging	 in	 fluid,	 it	 is	 necessary	 to	 build	 a	 custom	SD-OCT	 system.	The	

schematic	 is	similar	to	the	one	shown	in	Figure	2.2,	and	a	picture	of	the	optical	system	is	

presented	in	Figure	2.3.	This	system	is	placed	in	a	shock-proof	metal	box	for	portability	and	

stability.		

	
Figure	2.3	Picture	of	SD-OCT	components	in	a	box.		

	

The	 alignment	 process	 is	 concentrated	 on	 the	 detector	 arm,	 where	 the	 light	 must	 be	

directed	from	the	collimator	to	the	camera	detector.	The	wavelengths	are	separated	with	a	

1200	slits/mm	diffraction	grating	and	focused	onto	the	camera	with	a	100	mm	or	150	mm	

lens.	The	primary	challenge	is	getting	the	diffracted	segment	of	light	directly	onto	the	4096	

line-scan	camera	pixels.	For	ocular	OCT,	where	retinal	layers	are	visualized,	it	is	important	
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to	have	high	axial	resolution	in	the	system.	According	to	equation	2.7,	 this	means	that	we	

need	 a	 lower	 central	 wavelength	 and	 large	 bandwidth.	 The	 central	 wavelength	 is	

determined	 to	be	890	nm	due	 to	 its	 low	water	 absorption	 in	 the	 eye	and	 the	bandwidth	

should	be	larger	than	150	um	to	yield	a	resolution	of	~3	um.	The	wide	bandwidth	requires	

more	pixels	on	the	line-scan	camera,	which	results	in	more	difficulty	aligning	the	system.		

	

For	 system	 alignment,	 the	 reference	 arm,	which	 is	 boxed	 in	 yellow	 in	 Figure	 2.3,	 is	 first	

aligned	so	that	the	light	from	the	fiber	connector	is	collimated	and	reflected	back	directly	

with	 a	 mirror.	 Once	 the	 reference	 and	 sample	 arms	 both	 have	 backscattered	 signal,	 the	

detector	arm	can	be	setup.	The	diffraction	grating	has	entrance	and	exit	angles	both	at	31	

degrees,	 so	 the	 light	 that	 comes	 out	 of	 the	 collimator	 must	 be	 at	 31	 degrees	 with	 the	

grating,	and	same	with	the	lens	after	the	grating.	The	easiest	way	to	do	this	is	to	keep	the	

lens	straight	on	the	detector	axis	and	angle	the	grating	62	degrees	from	there.	Then	place	

the	collimator	straight	with	respect	to	the	angled	grating,	which	would	be	62	degrees	from	

the	central	axis.	Next	tune	the	angle	to	31	degrees,	and	the	grating	should	be	at	31	degrees	

from	both	the	lens	and	the	collimator	on	opposite	sides.	The	camera	will	be	placed	at	the	

focal	plane	of	the	lens,	and	the	height	of	the	collimator,	lens,	and	camera	should	be	matched	

as	closely	as	possible.	The	grating	must	be	aligned	vertically	so	that	the	light	diffracts	on	the	

same	horizontal	 axis.	 Finally,	 the	 camera	must	 be	 aligned	with	 a	 5	 axis	 translational	 and	

angled	 stage	 so	 that	 the	 line	 of	 light	 is	 focused	 directly	 onto	 the	 pixels	 with	 minimal	

distortions.		
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To	verify	the	system	alignment,	it	is	necessary	to	check	the	system	spectrum	using	just	the	

reference	mirror	as	shown	in	Figure	2.4a.	Once	the	spectrum	closely	resembles	that	of	the	

laser	 source	 spectrum	 based	 on	 the	 optical	 spectrum	 analyzer,	 the	 system	 is	 aligned	

properly.	The	interference	spectrum	can	be	obtained	by	using	a	mirror	on	the	sample	arm	

and	matching	the	lengths	of	the	sample	and	reference	arms.	The	interference	spectrum	for	

our	custom	SD-OCT	is	shown	in	figure	2.4b,	where	the	high	frequency	interference	can	be	

visualized.	 At	 this	 point,	OCT	 images	 can	 be	 obtained	 by	 doing	 FFT	 on	 the	 interference	

signal.	

	
Figure	2.4	a)	Raw	system	spectrum	from	reference	mirror.	b)	Interference	spectrum	with	

sample	and	reference	mirror	interference.	

	

Even	 with	 perfect	 detector	 arm	 alignment,	 chromatic	 aberration,	 dispersion,	 and	

calibration	are	major	issues	associated	with	SD-OCT.	All	three	degrade	the	imaging	quality	

by	 affecting	 primarily	 the	 axial	 resolution.	 Chromatic	 aberration	 is	 caused	 by	 minute	

differences	in	the	focal	distance	associated	with	different	wavelengths.	While	choosing	the	

hardware	 components,	 it	 is	 important	 to	use	achromatic	 lens	and	collimators,	which	will	

solve	the	bulk	of	the	issue.		
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Dispersion	is	another	issue	that	is	especially	prominent	in	our	application	due	to	imaging	in	

a	fluid	medium.	Dispersion	is	a	result	of	the	light	traveling	in	different	mediums,	such	as	air,	

glass,	 or	 water,	 in	 the	 sample	 and	 reference	 arms,	 where	 different	 wavelengths	 have	

inconsistent	 propagation	paths.	The	 result	 is	 a	 drift	 in	 the	 frequency	 of	 the	 interference	

fringe	at	 every	path	 length-matched	 location.	 Figure	2.4b	demonstrates	 this	 effect	with	a	

higher	frequency	on	the	lower	pixels	and	a	lower	frequency	on	the	higher	ones.	A	portion	of	

the	 problem	 can	 be	 resolved	 by	 matching	 the	 light	 propagation	 distance	 in	 air	 for	 the	

sample	 and	 reference	 arms,	 and	 also	 using	 glass	 plates	 as	 shown	 in	 figure	 2.3	 or	water	

cuvettes	on	the	reference	arm	while	the	sample	is	submerged	in	fluid.	However,	it	is	often	

impossible	 to	 perfectly	 match	 the	 light	 propagation	 paths	 between	 the	 two	 arms	 using	

solely	hardware,	so	software	compensation	is	also	necessary.	

	

Using	a	broadband	light	source	and	a	diffraction	grating	to	separate	the	wavelengths,	 it	 is	

important	 to	note	 that	 the	signal	 of	 each	pixel	 on	 the	 line-scan	 camera	detector	may	not	

correspond	linearly	with	the	band	of	wavelengths	that	is	used.	Therefore,	it	is	necessary	to	

calibrate	 the	 wave	 numbers	 in	 k-space	 to	 correspond	 linearly	 with	 the	 pixel	 acquired.	

Software	methods	should	be	used	to	perform	k-space	calibration.	

	

We will now discuss the calibration and dispersion compensation algorithms. The axial 

resolution of OCT is defined by the full width half max (FWHM) of its axial point spread 

function (PSF). According to the theory of OCT, the PSF of OCT can be given by the response of 

an infinitely thin sample, yielding a sinusoidal waveform in wavenumber space with a single 
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frequency. However, the spectrometer of the SD-OCT system does not sample the OCT 

interference at equal interval of wavenumber, because the gratings disperse different wavelengths 

linearly onto the spectrum detector, but not the eavenumber. In addition, the medium mismatch 

between reference and sample arms may introduce dispersion across the bandwidth, and thereby 

degrade the PSF as well. Both of them can cause the distortion of the sine wave, which is the 

Fourier transform of the PSF, and also deteriorate the axial resolution of OCT. Therefore, it is 

necessary to linearize the wavenumber axis and compensate for the optical path medium 

mismatch, also known as k-space calibration and dispersion compenstation.  

 

The main idea of k-space calibration is to find the function that maps the distorted wavenumber 

axis to its linear form, and thereby resample the interference at equal wavenumbers. A traditional 

way to correct the distortion is to use the interference signal of a mirror, assuming all the light is 

reflected only by its surface. Upon this assumption, the interference fringe is supposed to be a 

pure sine wave whose instantaneous phase is increasing linearly with the wavenumber. Taking 

advantage of this linear relationship, we are able to restore the linearity simply by resampling the 

interference waveform at equal phase intervals. To be specific, we perform a Hilbert transform 

on the mirror interference fringe and obtain the analytical form where instantaneous phase can be 

extracted. After that, the phase vector is resampled at equal intervals and its corresponding 

resampling coordinate is stored for further calibration. Especially for the phase resampling, a 

nonlinear regression model, using the power of the PSF as a merit function, can be used to 

precisely fit the phase vector as a function of wavenumber and eliminate random noise that may 

compromise the resample (73). Finally during OCT imaging, we re-register the interference 
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signal by interpolating values at the resampling coordinate to ensure equal wavenumber 

intervals.  

 

Figure 2.5 Flow chart of k-space calibration. a, d) Self interference signal of a cover glass before 

and after calibration. b, e) The FFT of self-interference signal before and after calibration. c) 

Instantaneous phase resampled at equal phase intervals.  

 

Although this technique is able to calibrate for the nonlinear sampling issue of the wavenumber, 

it cannot account for the dispersion. More over, the wavenumber dependent phase delay caused 

by dispersion may deteriorate the linear relationship between the wavenumber and the phase of a 

mirror’s interferogram, and hence compromises the effectiveness of the calibration. To solve this 

problem, we propose using the self-interference term of OCT for k-space calibration (73), 

inspired by the fact that it is free of dispersion. Specifically, a transparent cover glass, with 

approximately 200 um thickness, is first placed under the scan head of the sample arm while the 
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reference arm is blocked. Then the two surfaces of the cover glass will reflect light back and 

interfere with each other to generate the self-interference signal with a pure sine wave fringe. 

Since the optical transmission mediums for the light from both surfaces are equivalent, there is 

minimal phase delay in their interference spectrums. By using this dispersion-free fringe, it can 

linearize the wavenumber axis with the k-space calibration algorithm. Figure 2.5 demonstrates 

the general process of this technique. 

 

Figure 2.6 Flow chart of dispersion compensation. a) PSF of a mirror’s interference signal 

digitized by line scan camera. b) PSF after k-space calibration. c) Blue line illustrates the phase 

of the calibrated signal, red dotted line is the first order component of its polynomial fit. d) 

Quantified wavenumber dependent phase delay, calculated by subtracting the first order 

component from the phase of the calibrated signal. e, f) PSF and its zoomed in view after 

dispersion compensation. 

 
Although it is possible to bypass dispersion using the self-interference term, we cannot expect a 

highly sensitive self-interference signal during tissue imaging due to the lack of a highly 
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scattering surface within the sample. To get rid of the dispersion in the OCT interference, we will 

need to quantify the phase delay across the bandwidth and correct them during real time imaging. 

Again, a mirror object is used to generate an interference fringe with linearly increasing phase 

over wavenumber. K-space calibration should be firstly performed to re-register the interference 

signal with a linear wavenumber. Then the phase of the calibrated fringe is fed to a polynomial 

model to fit for the first order component, which is given by the signal from the mirror surface. 

By eliminating the phase component induced by the mirror interference, the wavenumber 

dependent phase delays can be finally obtained and used for phase correction during real time 

imaging. The process of dispersion compensation can be briefly summarized by figure 2.6. 

	

2.3	Principles	of	acoustic	radiation	force	

ARF	 is	 non-invasive,	 non-contact,	 and	 fast,	 which	 makes	 for	 an	 ideal	 tool	 in	 in	 vivo	

applications.	ARF,	which	is	based	on	high-powered	ultrasound,	uses	acoustic	principles	to	

exert	a	force	on	the	sample.	An	acoustic	wave	is	emitted	from	the	ultrasonic	transducer	and	

is	 primarily	 absorbed	 by	 the	 tissue	 sample.	 The	 force	 exerted	 by	 the	 ARF	 on	 tissue	 is	

quantified	with	equation	2.9:	

𝐹 = !!"
!
				 	 																	(Eq.	2.9)	

where	𝛼	is	 the	 absorption	 coefficient	 of	 the	 tissue,	 c	 is	 the	 speed	 of	 sound,	 and	 I	 is	 the	

temporal	 average	 intensity	 at	 the	 region	 of	 interest.	 Unfortunately,	 it	 is	 not	 feasible	 to	

quantify	 the	 force	 due	 to	 the	 difficulty	 in	 determining	 the	 ultrasound	 intensity	 at	 a	

particular	location.	The	ultrasound	intensity	is	extremely	sensitive	to	location,	and	even	at	

the	focal	region,	the	attenuation	through	tissue	cannot	be	determined	accurately	enough	to	

provide	elastograms	with	high	sensitivity.		
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The	 primary	 concern	 with	 using	 ARF	 is	 the	 safety,	 related	 in	 particular	 to	 the	 heat	 and	

mechanical	 pressure	 that	 are	 generated.	 The	 absorption	 of	 ARF	 induces	 heat,	which	 can	

potentially	 cause	 damage	 on	 the	 tissue.	 The	 thermal	 index	 for	 our	 purposes	 has	 been	

determined	to	be	1.7	degrees	per	volumetric	scan.	The	mechanical	index	is	a	measure	of	the	

ultrasound	exposure,	and	the	federal	limit	is	set	at	0.23	for	ocular	applications	and	1.9	for	

all	 other	 applications.	 The	 ARF	 generated	 by	 our	 transducer	 has	 a	 mechanical	 index	 of	

approximately	1.6,	which	is	acceptable	for	cardiovascular	applications.	

	

ARF	causes	particle	displacement	due	to	the	transfer	of	momentum.	Tissue	displacement	or	

vibrations	 caused	 by	 the	 ARF	 can	 be	 measured	 with	 OCT.	 Typically,	 we	 are	 aiming	 to	

measure	micron	and	nanometer	scale	displacement	using	phase-resolved	ARF-OCE,	which	

has	nanometer	phase	sensitivity.		

	

2.4	Principles	of	phase-resolved	ARF-OCE	

ARF-OCE offers high-resolution elasticity mapping of tissues using dynamic ultrasonic 

excitation and optical phase detection (65, 66, 74). Several assumptions are made for 

elastography samples: 1) mechanically homogeneous over a single voxel. 2) isotropic. 3) volume 

is preserved. ARF is applied onto the sample for excitation while Doppler OCT is used for 

detection, which makes elastic quantification and mapping possible. The main ideas of ARF-

OCE are summarized in Table 2.1. There are 2 main excitation mechanisms, including frequency 

sweeping and modulation. Frequency sweeps are used for bulk elasticity quantification based on 

the tissue resonance, which will be discussed in the next section. Modulation mimics an external 
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transient square wave or sine wave force that gets applied to the entire focal region and induces 

relative vibrational displacement of the tissue. The displacement magnitude is detected by 

Doppler OCT based on the extracted phase information.  

 

Table 2.1 Diagram of the principles of ARF-OCE. 

 

With the extracted phase information shown previously in equation 2.3, the phase shift between 

2 A-lines can be calculated. The Doppler frequency shift, 𝑓! , is by definition directly 

proportional to the axial velocity denoted by 𝑣! cos𝜃 and the measured phase shift, Δ𝜙 𝑧 , as 

shown in equation 2.10:   

𝑓! =
!!!! !"#!

!!
= !! !,!,!

!!!!
    (Eq. 2.10) 

The variable n refers to the refractive index of the sample, 𝜆! represents the central wavelength 

of the light source, and Δ𝑡 is the period between the A-lines. By rearranging equation 2.6, the 

Doppler velocity can be defined as a function of the phase shift between A-lines. The 

displacement of the sample can be obtained by integrating the velocity over time as done in 

equation 2.11: 

Δ𝑑 = 𝑣!𝑑𝑡
!!
!!

= !! !,!,! !!
!!"!! !"#!

!!
!!

𝑑𝑡           (Eq. 2.11) 
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In order to calculate the mechanical elasticity, it is necessary to associate the displacement from 

the Doppler relationship to the elastic modulus. By definition, the strain, 𝜀 , is linearly 

proportional to the displacement, and inversely proportional to the change in sample thickness or 

the compression in the axial direction, denoted by Δ𝑧, as shown in equation 2.12:  

𝜀 = !!
!!

       (Eq. 2.12) 

The Young’s modulus, 𝑌, is linearly proportional to the stress, 𝜎, and inversely proportional to 

the strain. In equation 2.13 below, the stress can be written as the force per area, while the strain 

is defined as in equation 2.12.  

𝑌 =
!
!

!!
!!
= !

!
            (Eq. 2.13) 

A summary of the excitation and detection steps is provided in Table 2.2. After the ARF is 

applied, OCT data is acquired, from which the phase information is extracted. The displacement 

is calculated using Doppler OCT and the relative elasticity can be obtained based on the strain 

value. The stress and the force cannot be measured since it is challenging to determine the ARF 

as discussed previously. 

 

Table 2.2 Summary of excitation and detection of ARF-OCE 
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In compressional OCE, an elastogram is generated based on the inverse relationship between the 

displacement and the Young’s modulus. For commonly used excitation methods such as air puff, 

it is difficult to quantify the force applied per area.  Although we can calculate ARF in a well-

defined geometry, it is difficulty to get the precise value of ARF for in vivo applications when 

the distance between the transducer and tissue changes.  In other words, the stress cannot be 

quantified, so a qualitative map is produced. For qualitative imaging purposes, the elasticity of 

healthy tissue and pathological ones can be differentiated by the differences in displacement 

values, with a higher displacement corresponding to softer tissue. Since the difference in 

elasticity are expected to differ by at least one order of magnitude for healthy and pathological 

ocular tissue and similarly for healthy intravascular tissue and plaque, qualitative information 

can be helpful in disease diagnosis.   

 

The compressional OCE method allows users to approximate the ratio between sample 

compositions, but it is unable to directly offer quantitative elasticity. This is problematic when 

comparisons and diagnoses much be made between two different images, or between different 

time points. Due to changes in the experimental conditions and noise within the system, the 

displacement map cannot be effectively used to make conclusions between different samples and 

at difference acquisition times. Because the ARF on the sample cannot be accurately measured 

for in vivo applications, the absolute Young’s modulus cannot be extracted. This leads to our 

methods of quantification, which will be discussed in the next section.  
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2.5	Quantification	of	elasticity	
	
The relative elasticity measurements provided by the above method is helpful in distinguishing 

diseased lesions from healthy tissue within a single data set at one time. However, due to the 

different imaging conditions and external influences, it is difficult to make comparisons between 

different samples or at various time points. For example, the focal region of the transducer can 

shift at the sub-millimeter level, altering the ultrasonic force, thus affecting the phase response of 

the tissue, which can be incorrectly interpreted as a change in stiffness. Since the displacement 

sensitivity is in the nanometer scale, the measured tissue response can vary by magnitudes.  

 

To determine the absolute stiffness of the tissues, we have developed a resonance ARF-OCE 

method.  To start, the system can be represented by a simplified mechanical model consisting of 

a single spring and damper, also known as the Voigt Body Model, which is written as the 

following differential equation (53): 

𝐹 𝑡 = 𝑚𝑥(𝑡)+ 𝛾𝑥(𝑡)+ 𝑘𝑥 𝑡     (Eq. 2.14) 

The sinusoidal force applied to the sample is denoted by 𝐹 𝑡 , while 𝑚 is the mass of the object, 

𝑥 𝑡  is the displacement, 𝛾 is the viscosity coefficient, and 𝑘 is the spring constant. After solving 

for the displacement in the nonhomogeneous differential equation, and applying Hooke’s law to 

the expression for Young’s modulus, the elasticity can be represented by equation 2.15: 

𝐸 = !"
!
= !!!!! !"

!
     (Eq. 2.15) 

The thickness of the sample is denoted by 𝐿 and the contact area is by 𝑆. The oscillation 

frequency and the damping coefficient are represented by 𝜇 = !!"!!!

!!
 and 𝜆 = !!

!!
, respectively. 

Based on equation 2.15, the Young’s modulus is proportional to the square of the oscillation 

frequency and the damping coefficient, while the mass, thickness, and area of the sample is 
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known and remains relatively constant. The viscosity coefficient of a viscoelastic sample is often 

insignificant compared to the excitation force of ARF-OCE (53, 75). Therefore, the Young’s 

modulus is primarily dependent on the oscillation frequency or the resonance frequency. Based 

on the principles of physics, the response of the sample will be highest when it is vibrating at its 

natural resonance frequency. This means that the tissue response will peak to signify the 

resonance frequency, and the absolute Young’s modulus can be calculated.  

 

The resonant frequency peak, 𝜇, in equation 2.15 is determined by doing M-mode imaging while 

modulating at different frequencies, and measuring the displacement level. The frequency at 

which the highest displacement occurs is the resonant frequency. A frequency sweep from 1 Hz 

to 100 Hz has been determined to be within the range for tissue resonance. To demonstrate the 

dependency of the elasticity on the resonance frequency, it is necessary to sweep across the 

excitation frequencies to determine the resonance peak of a material with a known stiffness. This 

has been done in phantoms with relatively consistent mass and geometry but differing stiffness, 

and the squared relationship was verified (74).  After the resonance frequency has been 

measured, calibration must be performed with samples with known elasticities to determine an 

accurate relationship between the resonance frequency and Young’s modulus by fitting the data 

to equation 2.15.  

 

The resonance frequency of tissue layers is difficult to isolate, so it is best to measure the bulk 

Young’s modulus of the entire depth of the sample. Since the frequency sweep can only quantify 

the Young’s modulus of the whole depth of the sample at the region of excitation, we need an 

additional model to calculate the individual layer elasticity. 
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In equation 2.15, we assume that the layers of the retina within the region of excitation can be 

modeled as a series of springs, each with their own spring constant, kn, thickness, Ln, and surface 

area, Sn, with a fixed boundary at the bottom, similar to the simplified diagram shown below in 

Figure 2.7. 

Figure 2.7 Simplified model of tissue layers based on springs in series. 

 

From the model in equation 2.14 based on the stress over strain relationship, we know 𝐸 = !"
!

, 

where E is the Young’s modulus, k is the spring constant, L is the thickness, and S is the surface 

area of the region of interest. Rewriting this equation, we get: 

𝑘 = !"
!

      (Eq. 2.16) 

We also know that for springs in series, the bulk spring constant is related by: 

!
!
= !

!!
+ !

!!
+⋯+ !

!!
                 (Eq. 2.17) 

Substituting in equation 2.16 into equation 2.17, we get: 

!
!"
= !!

!!!!
+ !!

!!!!
+⋯+ !!

!!!!
    (Eq. 2.18) 

The terms without subscripts on the left side of the equation are the bulk values of all n layers, 

while the others on the right side are the individual values for each of the layers. The surface area 
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of each of the layers can be assumed to be the same, since the same excitation beam is used to 

excite the same lateral region of interest for each layer. This means that all the S terms cancel out 

and equation 2.18 can be rewritten as: 

!
!
= !

!!
!!!

!!
!!!⋯!

!!
!!

  or  𝐸 = !
!!
!!

!
!!!

   (Eq. 2.19) 

In summary, the E is quantified based on the frequency sweep mechanism in equation 2.15. The 

relative ratio of the 𝐸! for each individual layer can be determined using the modulated excitation 

approach. Finally, with the relative ratio between the layers and the quantified bulk Young’s 

modulus, as well as the layered and bulk thicknesses, the absolute Young’s modulus can be 

determined for each layer using equation 2.19. Last, the spatial distribution of the elastic moduli 

can be quantitatively mapped out using the relative vibrational displacement response that is 

measured using ARF-OCE with the mean value based on the individual layer elasticity. To verify 

the same principle for vascular and ocular tissues, these experiments have been performed on the 

retina and on human cadaver coronary arteries. The mechanical quantification can help 

determine pathological tissues and aid in the diagnosis of diseases. 

 

2.6 Summary 

In summary, we have discussed the basic principles of ARF-OCE and the elasticity imaging 

approach from optics to acoustics. First the basics of OCT are introduced, identifying both the 

TD-OCT and FD-OCT methods. Then we present the ideas of SD-OCT in detail and discuss the 

challenges in the alignment and calibration of the system. Next an overview of the ARF 

generation is given based on the principles of ultrasound, and the combined ARF-OCE system is 

presented. Finally, the method of elasticity quantification of the system is discussed, including 

the Voigt and spring models.  
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CHAPTER 3 

Corneal	Acoustic	Radiation	Force	Optical	Coherence	Elastography 

This chapter presents the preliminary ocular imaging results using ARF-OCE on ex-vivo rabbit corneas. 

An introduction to corneal diseases and current diagnosis methods will be summarized in section 3.1.  

Our ARF-OCE system setup will be introduced in section 3.2 while phantom validations to verify axial 

and lateral mechanical contrast are discussed in section 3.3. Healthy corneal imaging and the effects of the 

crosslinking experiments are presented in section 3.4, including instantaneous crosslinking and time 

delayed crosslinking. Finally, the results are summarized with a conclusion in section 3.5.  

 

3.1 Introduction 

The cornea is primarily composed of cross-linked collagen fibers, which provides it with high tensile 

strength and serves as a protective coat to the eye (76). It is an essential portion in the refraction of light 

entering the eye, and when there is a disruption in the collagen fiber network, such as in the case of 

keratoconus, corneal refractive function is compromised, affecting vision (77). Keratoconus is a disease 

characterized by changes in the cross-linking properties, high corneal curvature, reduced corneal 

thickness, and tissue topographic irregularity (78). In addition to natural diseases, refractive surgeries such 

as LASIK alter biomechanical properties of the cornea, resulting in conditions such as progressive post-

LASIK keratectasia (PPLK) (79). PPLK is a progressive deformation of the cornea that occurs within two 

years of surgery, causing disruptions in the collagen cross-linking network (79, 80). In both PPLK and 

keratoconus, a common management solution is corneal collagen crosslinking treatment, which allows 

for biomechanical stability of the cornea by increasing the intra- and interfibrillar rigidity (80). With the 

increasing popularity of refractive surgeries, as well as the natural occurrences of corneal diseases, there is 
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an increasing need for understanding the biomechanical properties of ocular tissue for diagnosis and 

progression tracking. 

 

The ocular response analyzer (ORA) has been used to measure the mechanical properties of the cornea. It 

analyzes the response of ocular tissue to an air pressure, focusing on the hysteresis of the relaxation (81). 

However, factors such as the corneal thickness and curvature are not accounted for in ORA. The Corvis 

tonometer is another technology that visualizes and measures the deformation of the cornea in response to 

an air impulse (82). However, the response measurements are taken for the entire cornea as a whole, and 

cannot focus on a small region of interest. This is problematic in diagnosing ocular diseases in their early 

stages.  

 

Recently, ultrafast OCE methods have been used to obtain both 2D and 3D volumetric data quickly, and 

are rapidly progressing toward translational research (83, 84). These methods use air puff or compression 

techniques for tissue excitation. In the case of the air puff technique in ocular OCE, full quantification of a 

depth resolved corneal image requires measurement and modeling of the shear wave across the entire 

cornea, which may have limitations when working with diseased corneas where lateral changes play an 

important role. Compression OCE is highly contact-based and not ideal for translation and in vivo studies. 

OCE has also been performed on corneal tissue by analyzing the propagation of shear waves (55, 85, 86). 

However, these corneal imaging methods do not currently offer real-time imaging of the elasticity map. 

 

We propose using ARF-OCE with dynamic excitation to obtain high-speed, high-resolution elastogram 

mapping of corneal tissues. We apply a modulated square wave acoustic force to the sample and detect 

the phase shifts of the sample oscillation using phase-resolved OCT. In this chapter, we validate the ARF-
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OCE system detection of axial and lateral changes in mechanical stiffness. We also use the imaging 

system for healthy corneal tissue as well as tissue with induced corneal sclerosis to compare the resulting 

Young’s modulus.  

 

3.2 System setup 

The OCE system uses an ultrasonic transducer system for excitation of the sample, phase-resolved OCT 

system for detection of the vibrational response, and a computer for image processing. The schematic 

diagram is shown in Figure 3.1. The axial resolution of the system is 2.5 µm while the lateral resolution is 

15 µm. A function generator feeds a square wave modulated signal into an amplifier, which generates an 

acoustic radiation force via a focused ring transducer of 4.5 MHz. The ultrasound transducer has a 

uniform stress field within approximately a 400 um by 400 um lateral region, with a larger axial field of 5 

mm. The optical system is based on a superluminescent diode source with a central wavelength of 890 

nm, and a bandwidth of 150 nm. The light traveling to the sample and reference arms splits in an 80/20 

coupler. The light from the reference is delayed and reflected back with a mirror. The light in the sample 

Figure 3.1 Schematic diagram of Corneal OCE system. 
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arm goes through the hollow ring in the middle of the transducer and interacts with the phantom or tissue 

in the focal zone, which overlaps with the acoustic zone of the transducer to generate a strong phase 

signal.  The power from the sample arm is measured to be 0.89 mW, which is below the safe value 

determined by the American National Standards Institute. 

 

The light then travels back into the camera arm, which houses a collimator, a diffraction grating, a 

focusing lens, and a CMOS camera for detection of the interference signal. A line scan CMOS detector, 

which can operate at up to 70k A-lines per second, is used in place of the CCD camera in the previous 

manuscripts for faster imaging. However, in these ex-vivo experiments, an A-line rate of 20kHz is used to 

capture OCT images and the OCE oscillations.  

 

Figure 3.2 Ring Transducer Beam Profile. a. Normalized pressure profile at the axial focus. b. Normalized 

axial beam profile. 
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The acoustic profiles of the ultrasonic excitation transducer and OCT scanning beam were arranged in a 

confocal configuration on the same side of the imaging sample under the guidance of a hydrophone. The 

normalized pressure profile of the transducer is shown in Figure 3.2. The region of uniform pressure is 

small in the lateral direction at the axial focus as shown in Figure 3.2a and the axial beam profile is shown 

in 3.2b. During imaging, the ring transducer, shown in Figure 3.2c, was pulled away from the focal region 

in the axial direction in order to achieve a uniform stress region of approximately 600 um. Last, Doppler 

methods are used to determine the phase shifts between A-lines, where a larger phase change corresponds 

to high displacement and a softer sample. There is high phase stability of a few milliradians for a spectral 

domain OCT system (65). 

 

3.3 Phantom validations 

Our group had previously verified the lateral contrast of ARF-OCE imaging using a two-sided phantom 

(65, 66, 74), but it is still necessary to show feasibility for axial contrast. An agarose tissue-mimicking 

phantom with a stiffer inclusion was fabricated. The stiff inclusion has a diameter of about 1 mm, 

consisting of 0.8% agarose (by weight). It is buried within the larger phantom of 0.3% agarose. The 

completed sample, which is round with a diameter of 3.5 cm and a thickness of 1 cm, was placed on a 

holder for OCE imaging.  

 

To determine the feasibility of this agarose phantom, we calculated the displacements of two uniform 

samples under different excitation voltages shown in Figure 3.3a. A linear dependency of the ultrasound-

induced displacement on the excitation voltage was found, and a 500 mVpp excitation voltage was used 

for the rest of this study.  



	
	

40 

 

Figure 3.3 Phantom testing. a. Displacement under different excitation voltages for two phantoms of 

different stiffness. b. OCT image of inclusion phantom. c. OCE projection image of inclusion phantom. 

 

The OCT and OCE displacement images of the inclusion phantom are shown in Figures 3.3b and 3.3c, 

respectively. The boundary between the two phantoms is evident in the OCT image likely because of 

water at the interface when the phantom was made, which contributes to a high scattering signal. In the 

OCE image, the boundary of the two phantoms is evident because of the differences in vibrational 

response. The shape of the two phantoms is clearly distinguishable from the OCE image in all directions, 

which proves that our system is able to detect differences in the mechanical properties of tissue both 

laterally and axially. 
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Using the phase change and the Doppler relationship, it is possible to extract the velocity of the phantom 

oscillation. The displacement can be calculated using the velocity measurements and integrating over 

time, depicted in equation 2.7. In this case, the central wavelength is 890 nm, the refractive index, of 

tissue is 1.3, the exposure time is 50 us, and the Doppler angle is 90 degrees. The mean displacement ratio 

of the softer phantom to the stiffer inclusion is approximately 3.49 : 1 according to the experimental 

results in figure 3. The Young’s Modulus of a material is defined in equation 2.8. In this way, the stiffness 

of a sample varies inversely with its induced displacement values, and relative stiffness can be obtained if 

the displacement is calculated. The relative stiffness of the surrounding phantom to the rod inclusion of 

the agarose phantom is 1: 3.49.  

 

Compression tests were performed using MTS Synergie 100 on both the 0.3% and a 0.8% agarose 

phantom, with resulting Young’s Moduli of 3.68 kPa and 12.24 kPa, respectively. This corresponds to a 

stiffness ratio of 1: 3.33, which is in close agreement with our experimental result of 1: 3.49. A strain of up 

to 0.1 mm/mm with a strain rate of 50 mm/min was used for testing. The feasibility of the ARF-OCE 

system to detect relative axial and lateral contrast in mechanical properties is shown.   

 

3.4 Corneal crosslinking imaging results 

To test the feasibility of our imaging system on corneal tissues, we collected fresh rabbit eyeballs and 

obtained 3-D images of the rabbit cornea. All experiments were performed within 24 hours of eyeball 

extraction to ensure freshness. First, the healthy eyeball was placed inside a holder and covered with 

optically clear gel to hold the sample in place during excitation. A 3 mm by 3 mm area was scanned in the 

center of the cornea by using OCT, as shown in the 3-D reconstruction in Figure 3.4a. OCE imaging was 



	
	

42 

performed within a smaller area with a 400 Hz ARF modulation frequency. The 3-D OCE images were 

reconstructed and shown in Figure 3.4b, with the color representing the phase shift of the tissue with 

respect to adjacent A-lines.  

 

We also aimed to change the stiffness of the corneal tissue by inducing cross-linking using formalin 

solution. The entire eyeball was removed from the system and soaked with droplets of 10% formalin 

solution. After soaking for 12 hours, we placed the sample back into the system to observe the changes. 

We assume that after 12 hours, the formalin-induced crosslinking is uniform in the entire cornea, and 3D 

OCE was performed on a small region using the same ultrasonic excitation conditions. The results are 

shown in Figure 3.4c, where it was apparent that the phase shift has decreased drastically. The 

displacement amplitude ratio of the healthy cornea to the formalin soaked one was calculated to be 6.34 + 

0.22: 1.  

Figure 3.4 3-D images of rabbit cornea with and without formalin crosslinking. a. 3-D OCT 

reconstruction of 3 mm by 3 mm section of cornea. b. 3-D OCE section of healthy cornea. c. 3-D OCE 

section of cross-linked cornea.  
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Since the cornea was soaked for 12 hours, it was speculated that the mechanical changes could have been 

influenced by other factors, such as changes in the freshness of the cornea or instabilities of the system 

with change in time. In addition, the difference in stiffness changed over 6 fold in this case, which makes 

it easy to detect.  

 

In order to induce a stiffness change within a single cornea to eliminate other factors affecting the system 

and simultaneously image tissue of different stiffness, we injected 0.01 ml of 10% formalin inside the 

healthy cornea via a 1-cc disposable syringe with a 30-gauge needle. The cornea was allowed to sit for 

merely ten minutes while we prepared for the imaging and zoomed into the area of injection. As shown in 

Figure 3.5a, the OCT image reveals that the left side, where the formalin solution was injected, is 

distinctly thicker than the right due to the formalin bubble. The tissue was excited with a 400 Hz 

modulation frequency and a 500 mVpp pre-amplified voltage given to the transducer. The OCE 

displacement magnitude image is shown in Figure 3.5b, with a red color representing high displacement.  

A much smaller displacement shift is shown on the left side, where the injection took place. Both OCT 

and OCE images were averaged over 50 B-scans for better representation. The displacement shifts of the 

raw OCE images before magnitude extraction are shown in Figure 3.5c, which corresponds to a smaller 

displacement on the left side that vibrates much less than the right. The displacement ratio of the healthy 

side on the right to the cross-linked portion on the left is approximately 1.82 + 0.04: 1. There is a gradient 

in the middle portion of the image, similar to that of the phantom studies in Figure 3.3. Over time, the 

formalin solution would diffuse across the entire cornea and the OCE image would resemble that in 

Figure 3.4c. It was noticed that the displacement ratio of 1.82 + 0.04 was much smaller. It is likely 

because we did not soak the cornea for nearly as long, so less cross-linking took place within the tissue. It 
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is also important to note that the displacement values begin to decrease on the right side of the image, 

which is where the uniform acoustic focal zone ends at approximately 600 um.  

Figure 3.5 Imaging of rabbit cornea with injection of formalin solution. a. OCT image of cornea. b. OCE 

displacement magnitude image of cornea. c. Quantified displacement of cornea. 

 

3.5 Summary 

We have demonstrated the feasibility of using an ARF-OCE system for assessing the mechanical 

properties of corneal tissue. The feasibility of the imaging system to detect mechanical contrast both 

laterally and axially was tested on an inclusion dual-layered agarose phantom with a difference in stiffness 

in the two layers of 3.33 fold. The experimental Young’s moduli ratios corresponded well with the 

mechanical compression test results under acoustic radiation forces. We have performed in vitro imaging 

of a healthy rabbit cornea as well as a cross-linked one. The OCT image changed little, but the OCE 
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showed a 6-fold change. Last, we induced tissue cross-linking on a small area within the same cornea, 

and observed an approximately 2-fold difference in the stiffness. These results show that our ARF-OCE 

method has great potential in distinguishing diseased corneal tissue from normal ones and quantitatively 

characterizing the severity of the change in mechanical properties. These results validate the feasibility of 

using this system for relative mechanical elasticity testing and show its capabilities in demonstrating 

corneal cross-linking. This technique has great promise for the characterization and diagnosis of corneal 

diseases. 
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CHAPTER 4 

Quantitative	Ocular	Imaging	Using	Resonance	Response 

In this chapter, we discuss the diseases of the anterior and the posterior eye and how to use the 

resonance frequency method to quantify the elasticity change based on shifts in the intraocular 

pressure. In section 4.1, I introduce the mechanical changes associated with ocular diseases and 

the current methods of diagnosis. The novel frequency sweep system is presented in section 4.2, 

and phantom calibration is explained in section 4.3. Next, the elasticity of an ex vivo pig eye and 

an in situ rabbit eye were quantified in sections 4.4 and 4.5, respectively. Last, I present the 

feasibility of using this technology to measure ocular elasticity based on different intraocular 

pressures in section 4.6 and a summary is presented in section 4.7.  

 

4.1 Introduction 

The eye can be separated into the anterior segment, which is responsible for focusing incoming 

light, and the posterior segment, which is responsible for detecting and transmitting the visual 

information to the brain. The two portions are both critical to the ocular health and must work 

together to create vision. Over the past 20 years, ocular diseases, including a combination of 

anterior and posterior diseases, have steadily increased with the aging and growing population. 

Keratoconus, as mentioned in the previous chapter, is characterized by the thinning and 

protrusion of the cornea and can lead to uncorrectable vision blurring and distortion (87, 88). It is 

the leading form of corneal dystrophy in the United States and affects 1 in 2000 people. Age 

related macular degeneration (AMD) is a disease of posterior eye that includes the formation of 

drusen and neovascularization of the retina, which leads to blurring and central vision 

impairment. AMD is the leading cause of blindness in Americans over 50 years of age (2, 89).  
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Keratoconus can be treated using tissue cross-linking methods, but still may progress to the point 

that corneal transplant surgery is required to salvage vision. There is currently no cure for AMD, 

but drug treatment is often used to slow down the disease progression. In both cases, early 

diagnosis is necessary in order to prescribe the correct form of treatment. AMD is currently 

diagnosed by imaging with angiography or optical coherence tomography to visualize the blood 

flow and the structural depth of the retina, respectively (90).  Keratoconus is most often 

diagnosed with keratometry and corneal photography (91). In most cases, these diagnostic 

measures can only capture the disease in its advanced form. 

 

AMD and keratoconus are different in nature and treatment, but they are similar in that they both 

affect the elasticity of tissues. In AMD, a stiffness change may take place at the early onset of 

drusen formation (92), before they can be visualized with structural imaging. In keratoconus, the 

corneal cross-linking is disrupted at the onset of disease (93), leading to changes in elasticity. It 

is essential to have a single technology to monitor the elasticity of the entire eye globe in order to 

diagnose these diseases in their early stages.  

 

The mechanical properties of the cornea have been quantified using ocular methods (85, 86, 94), 

but the retina is hidden deep inside the globe, and is not as readily accessible. Some excitation 

methods, such as the air puff, will only detect surface response, so is not ideal for depth imaging. 

Ultrasound can penetrate through the entire eye, but using shear wave methods, it is difficult to 

detect small differences in velocity across thin tissues. Relative ARF-OCE has been used to 

quantify the cornea in the previous chapter, and can detect subtle changes in axial and lateral 



	
	

48 

elasticity, but it is difficult to quantify and correlate to Young’s moduli. It has been shown that 

the resonance frequencies of compressional waves are correlated to its elasticity, as demonstrated 

using magnetic resonance elastography and optical coherence elastography (52, 53, 74). In 

addition to tissue properties, it has been determined that the intraocular pressure of the eye has a 

profound impact on its measured elasticity, which is one of the factors limiting the accuracy of 

ex-vivo ocular elastography (95, 96).  

 

We report on an automatic frequency sweeping mechanism to detect the resonance frequencies of 

the entire globe in order to quantify the elasticity of the tissues. A modulated acoustic radiation 

force, which sweeps across 250 frequencies for excitation, is synchronized with OCE, which is 

implemented for the detection of tissue response. First, phantom characterization was performed 

using 5 different elasticity silicone phantoms. The data were used for calibration of the 

relationship between the resonance frequency and the Young’s modulus. Next, m-mode 

frequency response was detected for both the cornea and retina in an excised pig eye. Last, the 

frequency response of the in-situ eye was detected for a deceased rabbit within 30 minutes of 

euthanization. The effects of the intraocular pressure on the measured stiffness of the cornea 

were studied and a linear relationship was observed. 

 

4.2 Frequency sweep system setup 

In previous ARF-OCE experiments (67, 74), a focused ultrasound transducer was used for 

excitation, and a uniform signal region of 0.5 mm in diameter was generated. It was difficult to 

image the entire tissue region due to the large acquisition time and the difficulty of image 

reconstruction of each individual group of scans. The setup was not ideal for in vivo imaging, 
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which is the goal. It was also challenging to obtain resonance frequency measurements since 

only a small portion of the tissue was excited and bulk response was not possible. In addition, 

transmission mode OCE, where the excitation and detection are on opposite sides of the sample, 

is not feasible for most tissue applications. In this manuscript, we utilized an unfocused 1 MHz 

ultrasound transducer with a diameter of 12 mm. The transducer can capture the depth of the 

entire eyeball and elicit a frequency response. Both excitation and detection occur on the outer 

surface of the eye.  As shown in Figure 4.1a, the transducer was placed confocal to the Doppler 

OCT beam, at an angle. Doppler OCT detects the tissue response in the axial component.  

 

Figure 4.1. System schematic diagram. a) ARF-OCE system setup. L: lens, G: grating, CO: 

collimator, SLD: superluminescent diode, C: coupler, A: attenuator, M: mirror, GM: 

galvanometer mirrors, UT: ultrasound transducer, S: sample, RFA: radiofrequency amplifier, FG: 

function generator. b) Timing diagram of automatic synchronization. c) Flow chart of 

elastography. 
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Optical detection is performed using an 890 nm broadband superluminescent diode source with a 

bandwidth of 150 nm. An 80/20 coupler was used to split the light into the reference and sample 

arms, while the interference spectrum is separated with a diffraction grating and detected by the 

CMOS camera. For this study, the A-line rate was kept at 20 kHz, and m-mode images were 

obtained at each modulation frequency. The galvanometer mirrors were used for positioning of 

the light onto the region of interest. With a 0.9 mW output power on the sample, the system 

operates below the preset MPE limits. 

 

In previous studies, including the one presented in chapter 3, only the relative elasticity values 

could be measured, so the alignment between the transducer, detector, and sample was highly 

sensitive in governing the relative amplitudes. In essence, all imaging conditions must be kept 

consistent in order to make accurate comparisons between different samples. External and 

environmental factors make this nearly impossible. In addition, since modulation frequencies far 

away from the resonance frequencies must be used, the excitation power needed to be high in 

order to observe a signal. In this study, a frequency sweep excitation is used, and the resonance 

frequency of each sample is determined. In this way, the imaging conditions, such as alignment, 

do not affect the frequency response, so human error is reduced. The excitation power can also 

be decreased since the response peaks at the resonance level.   

 

The synchronization of the ultrasound excitation and optical detection is illustrated in Figure 

4.1b. The sweeping mechanism has been automated, such that for every modulation frequency, 

1000 m-mode A-lines are obtained at the region of interest. Two sets of data are taken at each 
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frequency from 1 Hz to 250 Hz. Most human tissues have resonance frequencies of less than 100 

Hz, so this range adequately captured the resonance peak.  

 

4.3 Phantom calibration 

Silicone phantoms were fabricated using titanium oxide as the optical scattering agent and for 

acoustic attenuation. A total of 0.258 g of TiO2 was used per 300 g of mixture, which was kept 

consistent to preserve the same imaging contrast throughout all the phantoms. The amount of 

curing agent was varied to reflect the different elasticity of the phantoms, and measured at 1.7%, 

2.3%, 3.3%, 8%, and 10%. First, the curing agent and TiO2 were mixed in an ultrasonic vibrator 

for 90 minutes. Next, the mixture was added to silicone gel, with a total mass of 300 g. The 

solution was stirred by hand for 30 minutes until well mixed, and then placed in a vacuum for 30 

minutes until all bubbles dispersed. The gel as then poured into 5 cm diameter dishes, with a 

depth of 1 cm. The phantoms were allowed to sit and dry overnight, and experiments were 

performed afterwards. 

 

The raw phase frequency response data for 3 different phantoms are shown in Figure 4.2a. Data 

points after 100 Hz were omitted due to insignificant results. The small interval displacement 

response curves were then calculated, with the results averaged and normalized as shown in 

Figure 4.2b. The peaks for the five silicone phantoms can be clearly differentiated.  

 

Mechanical compression tests were performed on the 5 uniform silicone phantoms using MTS 

Synergie 100. A strain of up to 0.1 mm/mm was used, with a strain rate of 50 mm/min. The 

thickness of the tissue was approximately 1 cm, and 50% compression was used. Mechanical 
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testing was performed immediately after imaging to minimize the error. The resonance frequency 

peak and the Young’s modulus are related, and the relationship was given in equation 2.10 and 

2.11. 

 

 

Figure 4.2 Phantom characterization. a) Raw phase frequency response. b) Quantified resonance 

frequency after normalization. 

 

From equation 2.11, it can be concluded that the resonance frequency squared is proportional to 

the Young’s modulus. The elasticity of the silicone phantoms were plotted against the resonance 

frequency squared, as shown in Figure 4.3. A linear relationship was observed and the linear 

regression line has been fitted. There was a high correlation and a R2 value of 0.998 between the 

modeled relationships. The two variables are related by the relationship Y = 0.03 f2 + 0.3.  
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Figure 4.3 Linear relationship between the Young’s modulus and the resonance frequency 

squared, with a best fit plot.  

 

4.4 Porcine ex vivo whole eye imaging 

In order to more closely simulate human tissue, pig ocular tissue was used.  Pig eyes obtained 

within 2 hours of death were immersed in PBS solution for preservation. All experiments were 

performed within 24 hours of extraction. The entire eyeball was molded in an optically and 

acoustically clear agar phantom and fixed to the imaging stage. The top portion of the eye is not 

covered by the agar in order to minimize the attenuation of ultrasound signal by the phantom. 

The entire sample was submerged in PBS during imaging in order to keep the eye hydrated and 

also provide a medium for the ultrasound propagation. After cornea imaging was completed, the 

anterior portion of the eye was removed by carefully puncturing the iris and cutting away the 

cornea. The lens was taken out, but the vitreous was left in place to avoid damage to the retina. 

 

M-mode frequency sweep imaging was performed on both the retina and the cornea. The central 

portion of the cornea was first swept from 1 to 250 Hz, with two frames per frequency and 1000 

A-lines per frame. Next, the anterior portion of the eye, including the cornea and the lens, were 
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carefully removed so that only the posterior portion remains. The retina was submerged in PBS 

as the coupling medium. The optical and acoustic signals were focused on the central portion of 

the retina, and the same set of frequency sweep was performed. The raw phase data over 

frequency is shown in Figures 4.4a and 4.4b, while the displacement response is plotted in Figure 

4.4c. It is apparent that the resonance frequency peak for the cornea at 82 Hz is significantly 

higher than that for the retina at 21Hz. Assuming that the viscosity of ocular tissue is similar to 

that of the tissue-mimicking phantoms, and that the excitation depth and area is unchanged, the 

elasticity can be quantified based on the phantom calibration in Figure 4.3. The Young’s modulus 

for the retina is approximately 13 kPa, and for the cornea is approximately 206 kPa. These 

estimations refer to the bulk modulus of the entire tissue, and the peaks signify the resonance 

frequency of the portion in focus.  

 

Figure 4.4 Pig eye results. a) Phase response of the pig retina over 150 Hz. b) Phase response of 

the pig cornea over 150 Hz. c) Normalized displacement response. 
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4.5 Rabbit in situ whole eye imaging  

Although the elasticity of the rabbit retina and cornea have been quantified, the effect of the lens 

and cornea on the retina measurements is unknown. In order to perform in vivo quantification, it 

is necessary to determine the relationship between the bulk measurements and the individual 

tissue in focus. Therefore, measurements of an intact rabbit eyeball were taken. The rabbit was 

obtained within 20 minutes of euthanization from another experiment, with no prior ocular 

damage. All experiments were performed within 1 hour from death. The rabbit eye was 

proptosed using cotton swabs and kept moist with PBS. An aperture with a diameter of 5 mm 

was made in a sheet of latex, which was supported using a ring stand. The hole in the latex was 

placed directly on the proptosed rabbit eye and PBS was added to the set up to serve as the 

ultrasound medium as well as keep the tissues hydrated. Since the eye was fresh, frequency data 

was obtained for both the anterior and posterior eye with the tissue intact, representing the 

frequency response of the entire eyeball.  

 

Figure 4.5 Rabbit eye results. a) Set up of deceased rabbit on imaging stage. b) Retina 

displacement response. c) Cornea displacement response. 
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The cornea and lens were fresh and optically transparent. Instead of removing the eye from the 

rabbit, the eye was proptosed in a PBS bath, through a small aperture in a rubber sheet, as shown 

in Figure 4.5a. The system was first aligned to focus on the central retina, and a set of frequency 

sweep measurements from 1 to 250 Hz were taken. Next, the focus was moved upwards to the 

central cornea, and the same measurements were obtained. By the time all data were taken, the 

eyeball was still optically transparent, which meant that minimal degradation was observed.  

 

The displacement data were analyzed and plotted over different frequencies as shown in Figure 

4.5b and 4.5c for the retina and cornea, respectively. The resonance frequency of the retina 

peaked at 10 Hz, which corresponded to a Young’s modulus of 3.3 kPa according to the 

calibration data obtained previously. The response of the cornea peaked at 44 Hz, which equates 

to 58 kPa. The ratio of the rabbit retina to the cornea elasticity is 1:17.6, while the ratio of the 

swine results is similar at 1:15.8. It is also noted that while the single resonance peak is apparent 

in both the retina and the cornea data, many of the smaller peaks overlap. In the retina plot, there 

is another high peak at 16 Hz, which likely corresponds to the different stiffness between the 

retinal layers. In the cornea plot, there are small peaks at 10 Hz and 16 Hz, which are the effects 

from the retina resonance frequencies. Similarly, the retina plot also peaks highly at 44 Hz, 

which is the resonance frequency of the cornea. Even though the focus is on one portion of the 

eye, the entire eyeball vibrates with the modulated force, and all components of the eyeball are 

demonstrated in the frequency sweep results. The cornea has a high contribution to the retina plot 

due to its location and because the force must penetrate through the cornea. Many smaller peaks 

overlap in the retina and cornea plots in Figure 4.5, and probably signifies the other components 
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of the eyeball. In particular, it is known that the lens strongly absorbs and refracts the ultrasound, 

so it must greatly contribute to the frequency response as well. Further experiments must be 

performed in order to determine the exact correlation. 

 

4.6 Effects of intraocular pressure on ocular elasticity 

Although the absolute elasticity can be determined from studying the frequency response, the 

elasticity of ocular tissue is highly dependent upon the intraocular pressure. Relatively stiff 

materials, such as the cornea, are largely affected by the pressure change. This phenomenon 

contributes to one of the major limitations of ex-vivo ocular studies, where the intraocular 

pressure is no longer preserved. The eye often collapses and is not an accurate representation of 

in-vivo tissue. In the last portion of our study, a pressure transducer was used to control the 

intraocular pressure of the eye, and the relationship between corneal stiffness and the pressure 

was observed.  

 

The differential pressure transducer was connected to a large syringe, which regulates the 

intraocular pressure, as shown in Figure 4.6a. A 5 French catheter was inserted into the rabbit eye 

and connected to the syringe set up. Five different pressures were chosen to represent a range of 

intraocular pressures ranging from 0 mm Hg to 36 mm Hg. The filtered corneal frequency 

response is shown in Figure 4.6b. A different rabbit was used to do the experiments in Figures 

4.5 and 4.6, and the difference in the frequency response is significant. This is likely due to the 

difference in the shape of the cornea, where the pressure-controlled sample was a round globe 

while the previous sample was collapsed.  
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Figure 4.6 Intraocular pressure results. a) Set up for pressure modification system. b) Frequency 

response of cornea. c) Linear relationship between intraocular pressure and Young’s modulus. 

 

In order to quantify the elasticity of the cornea, phantom calibration results in Figure 4.3 were 

used to correlate the resonance frequency to the Young’s modulus. The intraocular pressure and 

the elasticity are linearly proportional as shown in Figure 4.6c. The results verified the 

significant dependence of the corneal elasticity on the intraocular pressure.  

 

4.7 Summary 

In conclusion, we have reported on an ARF-OCE system using automatic frequency sweep. 

Phantom studies were performed for feasibility validations, and the results were compiled to 

calibrate the relationship between the resonance frequency and the elasticity, which corresponded 

with the Voigt model. In addition, cornea and retina studies were done using a pig eye by 

isolating the eyeball and the posterior sections. The elasticity was estimated to be 13 kPa and 206 
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kPa for the retina and the cornea, respectively. Last, cornea and retina frequency response 

measurements were taken on an intact rabbit eyeball, and the Young’s moduli were 3.3 kPa and 

58 kPa for the retina and cornea, respectively. Future studies will incorporate in vivo animal 

designs, as well as focused transducers to target tissue layers.  
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CHAPTER 5 

Retinal	Elasticity	Mapping 

In this chapter, we present a synchronized acoustic radiation force optical coherence 

elastography (ARF-OCE) system to measure and estimate the elasticity of cadaver porcine retina 

with high mechanical contrast between the layers. Section 5.1 presents an introduction to retinal 

elasticity and its significance. Section 5.2 introduces a novel synchronized ARF-OCE system and 

its synchronization scheme. Next, the central retina region near the optic nerve is imaged in 

section 5.3 and the data is analyzed and correlated to anatomical structures in section 5.4. 

Statistical analysis is performed on 64 different locations on the central retina in section 5.5, and 

a summary is offered in section 5.6.  

 

5.1 Introduction: 

The structure of the retina has been studied extensively. In particular, the retina consists of many 

sublayers that contribute to its function. For layered analysis of the retina, there have been many 

segmentation methods that have been used to separate the different layers within the retina (97-

99). Many of these features are built into commercial imaging systems, and automatic detection 

is possible. The thickness of the layers and other anatomical structures can be analyzed in-vivo 

and correlated with pathology.  

 

Elasticity changes in the retina and choroid can occur when the microvasculature changes or 

when drusen forms. In order to study the mechanical structure of the retina, several studies 

attempt to provide elastic properties by performing mechanical strain testing in vitro (10, 11). 

However, strain testing is not possible for tissues in vivo. In addition, the entire retina is extracted 
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as a single unit, which means that individual layer information cannot be obtained. Although 

mathematical modeling of the retina to determine the Young’s modulus has been reported (12), 

mechanical properties of the retina are still not well defined since the retina is inaccessible to 

many elastography methods or is limited by low resolution.  

 

In this chapter, we use the ARF-OCE technique to map out the elasticity of the retina, with 

separation of 5 retinal layers. The previously used system has been synchronized in excitation, 

detection, and the incorporated mechanical stage scanning. In this way, the phase cycle of the 

tissue vibration is uniform in the direction parallel to the mechanical stage. First, structural OCT 

and functional OCE imaging were performed on a healthy pig retina near the optic disk and in 

the periphery of the retina after isolation of the posterior portion of the eye. Then the OCE phase 

information was analyzed along the axial direction. Then segmentation was performed on the 

retinal layers using OCT and the corresponding layer was matched on the OCE and histology. 

Nanometer displacement differences were observed between the layers. Finally, the relative 

stiffness was analyzed over 64 B-scan samples and statistical analysis was performed. The 

Young’s moduli are estimated for each layer using the experimental stiffness ratios and average 

elasticity obtained from literature. 

 

5.2 Synchronized system design 

Similar to the previous chapter, an ultrasonic focused ring transducer was used for excitation 

while a SD-OCT system was used for detection of the tissue response. The acoustic and optical 

signals are all synchronized using the computer in order to obtain images with synchronized 
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vibrational responses. A schematic diagram of the system set up is illustrated in Figure 5.1, 

where a mechanical stage has been added for large field scanning purposes. 

 

Figure 5.1 Schematic diagram of system setup. SLD: superluminescent diode, L: lens, G: 

diffraction grating, CMOS: camera, C: coupler, A: attenuator, M: mirror, MS: mechanical stage, 

GM: galvo mirror, UT: ultrasound transducer, S: sample, RFA: radio-frequency amplifier, FG: 

function generator, CO: collimator.  

 

The function generator first outputs a modulated square wave signal of 833 Hz, which is 

amplified by approximately 170 times and fed to a 4.5 MHz ring US transducer with a focal 

distance of 3 cm. ARF using approximately 40V post-amplification is induced on the sample and 

vibrations are generated. A modulation frequency of 833 Hz, which is much higher than the 

resonance frequency of retinal tissue, was chosen so that the mechanical contrasts of the layers 

are not skewed by resonance vibrations. On the detection side, the optical set up highly 

resembles that of previous publications. The power from the sample arm is measured to be 0.89 
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mW, which is well below the safety limit determined by the American National Standards 

Institute. In order to optimize imaging conditions, especially to maximize imaging range, a 

mechanical stage has been incorporated into the system to move the sample. The sample is 

fastened to the mechanical stage via metal posts and the sample is mobilized in discrete steps 

during imaging. In this way, the limitation set forth by the 500 um uniform focal diameter of the 

transducer can be bypassed. One galvanometer mirror is used for scanning in one lateral 

dimension while the motorized stage provides scanning in the other lateral direction. This 

increases our imaging range from 500 um to over 3 mm and at the same time provides more 

uniform excitation across B-scans. A 20 kHz A-line rate is used and a volumetric scan in these 

experiments consists of 500 by 500 A-lines. 

 

Figure 5.2 Timing diagram of system showing excitation and detection. 

 

Synchronization between the acoustic excitation and optical detection was performed as shown 

in Figure 5.2. In this way, it is possible to control the phase of the modulation cycle at different 
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spatial locations on the sample. A 0.1 ms pause was incorporated into the system to minimize 

noise caused by the movement of the motorized stage. The galvo sweeping, camera acquisition, 

and ultrasound modulation signals are triggered at the same time when the motorized stage is 

stationary to produce a single B-scan. Then the motorized stage shifts in a preset increment 

smaller than the lateral resolution of the system, and another B-scan is acquired. For the results 

shown here, a 6 um displacement is achieved for each step. 

 

5.3 Retina and optic disk imaging 

A porcine eyeball was isolated within 24 hours of death and the anterior of the eye was removed 

so that only the vitreous fluids and the retina/sclera remained. The eyeball was then fixed using 

agar gel and mounted to the imaging stage in the water bath. The optical disk was identified on 

the retina by its diameter of approximately 1.7 mm. Using the synchronized system, a region of 3 

mm by 3 mm was scanned near the optical disk. Previously, only the middle 500 um by 500 um 

region can be assumed to have uniform excitation, but with the addition of the mechanical stage, 

a region of 500 um by 3 mm is able to achieve uniform force. This expands our imaging region 

by 6 fold in this figure.  

 

The OCT cross-sectional image showing the optical disk region is displayed in Figure 5.3a, 

while the corresponding OCE phase map is displayed in Figure 5.3b. The B-scan shown is in the 

same direction as the movement of the mechanical stage. Within this B-scan, an accurate uniform 

acoustic field is guaranteed for elastography since synchronization allows for phase cycle 

uniformity in the direction perpendicular to the galvo scanning.  

 



	
	

65 

The OCT and OCE images of the peripheral retina is shown in Figure 5.3c and 5.3d, 

respectively. The same scanning mechanism was used over a 3 mm by 3 mm region after shifting 

the focus to the peripheral retina. It is clear that the optical disk region had a much smaller 

vibrational response, indicating a stiffer tissue, than the peripheral retina and the regions closer to 

the optical nerve head. The pocket structure in the middle of Figure 5.3b had a very high 

vibrational response, which indicates a softer tissue that is concluded to be a collapsed blood 

vessel. This figure portrays the relative elasticity of the optical nerve to the peripheral retina and 

demonstrates the feasibility of using ARF-OCE in the mapping of retinal elasticity. It was also 

noted that the relative stiffness of the retina changes in the axial direction, suggesting the 

separation of different layers, with the top layer indicating the softest structure.  

 

Figure 5.3 Optical disk and peripheral retina imaging. a) OCT cross-section of optical disk. b) 

OCE phase cross-section of optical disk. c) OCT cross-section of peripheral retina. d) OCE phase 

cross-section of peripheral retina. 
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5.4 Segmentation and histological correlation 

Since different layers were observed both in the OCT intensity images and the OCE phase 

images, segmentation was performed on the OCT images using a graph-based method. A random 

walk algorithm was also used for refinement of the layers. From experimental results, 5 different 

axial layers could be isolated as shown in Figure 5.4a. The OCE small interval displacement 

image in Figure 5.4b was also segmented using the same boundaries. Segmentation was not 

performed on OCE directly since we have yet to validate the stiffness contrast corresponding to 

the boundaries between layers. Figure 5.4c shows the corresponding elastogram with Young’s 

modulus values, which were derived from previous experiments that showed a bulk Young’s 

modulus of 13 kPa of all the layers. According to porcine retinal anatomy, there are ideally 7 

layers that can be separated, but were not visible in these results. Therefore, histology using 

H&E staining was performed shown in Figure 5.4d to match the imaging layers to anatomy. The 

top three layers, including the nerve fiber layer, ganglion cell layer, and inner plexiform layer, 

were compressed into a single detected layer. This is probably caused by the deterioration of the 

tissue after harvest, also as indicated by the collapsed blood vessel near the optic disk in Figure 

5.3b. Experiments were performed approximately 40-48 hours after tissue harvest, and it is likely 

that degradation occurred during storage and transport.  

 

The boundaries for the inner nuclear layer was highly distinguishable from the OCT images, and 

the mechanical elasticity also showed contrast between upper and lower layers. Within the inner 

nuclear layer, there seems to be a displacement gradient in the axial direction, with a redder color 

on the inside and a green color on the outside. This is due to the connective boundaries between 

the layers that vibrate together. In subsequent measurements, this gradient was taken into account 
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and the entire axial displacement information was considered. The outer plexiform layer is 

relatively thin and displacement values continue to decrease. The outer nuclear layer is difficult 

to visualize on the OCT image, since its properties allow for low scattering of optical light. 

Therefore, it was omitted in the quantitative analysis. The outermost layer of the retina is the 

photoreceptor region, which had high scattering contrast, but low displacement values.  

 

 

Figure 5.4 Retina segmentation and elastogram. a) OCT segmentation. b) Corresponding 

segments of OCE displacement mapping. c) Corresponding elastogram. d) H&E staining of 

porcine retina with the anatomical layers labeled. 

 

From analysis of Figure 5.4, it can be concluded that the OCE displacement map is not affected 

by the difference in OCT intensity. As long as there is some scattering, the relative displacement 
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can be measured. In this case, the depth penetration was enough to capture the retina. In the onset 

of AMD, drusen can form in the retinal pigment epithelium (RPE) layer, which is directly 

underneath the photoreceptor layer shown. A higher output power or a longer central wavelength 

can be used to increase imaging depth.  

 

5.5 Statistical analysis 

In order to verify the consistency of the relative layered stiffness over the entire retina, 64 cross-

sectional OCT and OCE B-scans were obtained at different spatial locations on 2 retina samples. 

Segmentation was performed on OCT images and the respective OCE segments were analyzed. 

Five different retinal layers were isolated and the thickness of each layer was estimated by 

counting the axial pixels and averaging over the lateral direction. The results are summarized in 

Table 5.1. The entire thickness of the retina was approximately 400 um.  

 

Since each of the 64 images varies in their phase cycle, it is necessary to normalize all the 

displacement values to a relative scale so direct comparisons can be made according to the ratios. 

In this case, the value of the highest displacement was set to be 1, and the other displacement 

values are portrayed as a fraction of the maximum. As shown from previous publications, the 

Young’s modulus is inversely proportional to the displacement values, but only relative 

displacement ratios are available. Therefore, the elasticity estimations are based on modeling 

results from previous experiments, which estimated the overall Young’s modulus of the entire 

retina to be 13 kPa. A weighted average approach was used where the weight contribution was 

dependent on the thickness of the respective layers, and the mean was set to 13 kPa. The results 

are shown in Table 5.1, where the Young’s modulus was estimated anywhere from 1 to 26 kPa. 
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The outer nuclear layer was omitted from this estimation since scattering signal was too low for 

proper detection of OCE.  

 

According to the results for 4 retinal layers, it seems that the inside layer on top of the retina is 

much softer than the bottom layers, which is getting closer to the sclera. This is expected since 

the sclera is much stiffer than the retina as determined from previous publications. A total of 64 

B-scans were analyzed to correspond to 80% confidence level with 8% confidence interval. 

However, further analysis is necessary to accurately measure the retinal layers between several 

different samples.   

Retinal Layer Mean Thickness 

(um) 

Normalized 

Displacement 

Young’s Modulus 

(kPa) 

Nerve fiber layer 

Ganglion cell layer 

Inner plexiform layer 

67 0.99 1.33 ± 0.37 

Inner nuclear layer 132 0.48 2.73 ± 0.82 

Outer plexiform layer 37 0.17 7.7 ± 2.26 

Outer nuclear layer 84 N/A N/A 

Photoreceptor 

inner/outer segments 

72 0.06 25.9 ± 7.36 

Table 5.1 Total of 64 B-scans analyzed and the thickness and displacement values were 

estimated. Young’s moduli were estimated using a weighted average approach. Outer nuclear 

layer omitted due to low scattering signal. 



	
	

70 

 

5.6 Summary 

This study using ARF-OCE technology is the first to visualize the mechanical properties of 

individual retinal layers, where 4 distinct layers were quantified. An ARF-OCE system was set 

up with synchronized excitation, detection, and scanning for better control of the modulation 

phase cycle. By analyzing the cross-sectional images perpendicular to the galvanometer scanning 

direction, it can be guaranteed that the B-scan shows a synchronized vibration in a uniform phase 

cycle. Using this approach, elasticity maps were obtained for the peripheral retina and the optic 

disk regions. Segmentation was performed on the OCT images and the corresponding layers 

were separated in the OCE, and both were matched to histology results using H&E staining. 

Further analysis was performed on 64 B-scans to estimate the thickness of the 5 layers as well as 

the relative displacement values. Using a weighted average method, the Young’s moduli for 4 

different retinal layers were estimated. The ARF-OCE technology was used to quantify retinal 

layered elasticity and is adaptable to in-vivo applications. The translation of this technology 

provides a powerful tool for the clinical diagnostic management of AMD. 
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CHAPTER 6 

In-vivo	Real	Time	Retinal	Elasticity	Mapping 

In this chapter, we used acoustic radiation force optical coherence elastography (ARF-OCE) to 

map out the elasticity of retinal layers in healthy and diseased in-vivo rabbit models for the first 

time. The significance of in vivo retinal elasticity imaging is discussed in section 6.1. The in vivo 

setup and experimental design is presented in section 6.2 while the mechanical quantification 

scheme is discussed in section 6.3. Section 6.3 examines the imaging results from a healthy in 

vivo rabbit model. In section 6.4, a pathological retinal model is custom designed and a 

difference in the mechanical contrast is observed between the healthy and diseased regions. The 

chapter ends with a summary in section 6.5. 

 

6.1 Introduction: 

While age is the greatest contributing factor for AMD, other risk factors include: being white or 

female, exposure to certain light wavelengths, history of cardiovascular disease, smoking, etc. 

(100). The most common form of AMD is known as dry/ non-exudative AMD, which presents 

with drusen, which are composed of oxidized nondegradeable material (mostly lipofuscin), that 

develop between Bruch’s membrane and RPE layers of the retina. In the early stages of dry 

AMD, the patient may have metamorphopsia, reduced vision, or be completely asymptomatic; 

thus, the variable presentations highlight the need for the earliest detection methods (4, 5, 100). 

 

Since no cure currently exists for AMD, several imaging modalities and techniques are used in 

AMD detection and monitoring including: fundus autofluorescence (FAF), fundus photography, 

OCT, fluorescein angiography, indocyanine green angiography, and Amsler grid, etc. (6, 100, 
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101). FAF relies on the fluorescence pattern of the oxidation compound lipofuscin contained in 

high amounts in the drusen (102). OCT can identify abnormal blood vessel formation in wet 

AMD through OCT angiography (90, 100). Although these imaging modalities and techniques 

provide crucial information for the diagnosis of AMD, they are often insufficient for early 

diagnosis, before structural changes occur.  

 

The mechanical properties of distinct cellular layers in the retina are altered with the onset of 

AMD (9), but it is challenging to detect thin layers in the micron range without perturbing the 

natural retinal environment. Although mechanical quantification of the cornea has been 

previously performed with ARF-OCE (67, 103, 104), the location of the retina and its thin layers 

require high penetration, high resolution, and high sensitivity. These major complications have 

hindered previous elastography imaging techniques, and mechanical quantification of the in-vivo 

posterior eye is presented for the first time in this chapter. A technology that enables the in-vivo 

imaging of the posterior ocular globe is essential for gaining insight into the natural mechanical 

anatomy of the eye, as well as the changes that take place with ocular diseases. 

 

In this study, ARF-OCE is used to provide phase-resolved displacement information on the 

central retina for both a healthy and abnormal in-vivo rabbit eye. Quantification of the layers uses 

a graph-based segmentation algorithm (97), and using a simple Voigt model. We demonstrated 

for the first time, to the best of our knowledge, in-vivo quantitative elasticity map of the retina. In 

addition, a general trend was observed between the healthy and the damaged rabbit retina.  
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6.2 In vivo system design 

A schematic diagram of the in-vivo ARF-OCE system setup is shown in Figure 6.1a and a close 

up of the imaging setup is illustrated in Figure 6.1b. The optical components are similar to the 

system used in the previous chapter, and the primary difference is in the sample arm. A 

galvanometer scanner is used to sweep across the sample and a scan lens is used to focus the 

OCT light onto the retina. For the purpose of in-vivo imaging, a custom phosphate-buffered 

saline (PBS) bath is used, where a large red ring holds a sheet of flexible latex that is filled with 

PBS. A small aperture is made at the bottom of the latex sheet, where it goes directly over the 

proptosed rabbit eye. The ultrasound transducer is used for excitation of tissue displacement, and 

is placed directly inside the PBS bath, which acts as a propagation medium for the ultrasound. 

The ring acoustic transducer is aligned to be exactly confocal with the OCT beam using a 

hydrophone before the experiment to ensure that data acquisition is performed within the lateral 

focal region of the transducer and that maximum tissue response can be measured. 

 

Detection of the tissue response is performed using a CMOS camera, where the interference 

signal is extracted through real-time processing and converted to both OCT intensity images and 

phase-resolved displacement maps. The axial resolution of the imaging system is approximately 

3 µm with a lateral resolution of 27 µm in air. The phase sensitivity of the elastography system is 

in the nanometer scale, which allows for high displacement contrast.  

 

The actual setup can be visualized in the photograph shown in Figure 6.1c. With such an in-vivo 

system, the rapid degradation of the retina occurring in post-mortem models is avoided. The 

rabbit is one of the few animals whose eye can be proptosed. The ring ultrasound transducer was 
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taken out of Figure 6.1c so that the proptosed eye could be visible. As shown in the timing 

diagram in Figure 6.1d, the OCT detection uses C-mode to detect the mechanical response, with 

a line scan rate of 20 kHz, and B-frame rate of 20 frames per second. The acoustic pulse is 

continuously modulated during the OCT acquisition at a frequency of 833 Hz with a 50% duty 

cycle, which corresponds to a pulse width of 0.6 ms. The modulation pulse was again chosen so 

that it is relatively far away from the resonance frequency of tissue, which is typically below 100 

Hz, and the value corresponds to a 1.2 msec period. Other frequencies much higher than 100 Hz 

would also be acceptable, as long as the vibrations are slow enough to be captured by the 

detector. The lateral focal region was limited at approximately 400 µm to guarantee high 

 

Figure 6.1 System setup for in vivo studies. a) Schematic diagram of system. b) Close up 

schematic of sample arm. c) Photo of the setup with the rabbit eye proptosed on the stage. d) 

Timing diagram of OCE modulation imaging. e) Timing diagram of OCE frequency sweep. 
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sensitivity imaging within a uniform pressure region, while the axial focal region was extended 

at more than 5 mm to guarantee that the pressure distribution differs by less than 0.1 dB over the 

imaging depth. The acoustic intensity within the 400 µm lateral region and the 1 mm axial region 

have been shown to be uniform in chapter 3, so any displacement differences in this region can 

be attributed to changes in mechanical properties. For all experiments presented here, the central 

retina region 2 mm from the optical disc on the temporal side of the retina was imaged, 

corresponding to the area of highest visual acuity. Both the OCT and phase-resolved 

displacement information was obtained and recorded. The displacement information is converted 

to the elastic modulus with a simple Voigt model and a spring model.  

 

6.3 Quantification scheme 

Quantification of the elasticity is summarized by equations 2.10 and 2.11, and performed by 

using the bulk frequency response of the entire depth of the posterior orbit with a simplified 5-

spring model to isolate individual layers, which will represent the sclera, choroid and three 

retinal zones. First, the resonant frequency peak is determined by doing M-mode imaging while 

modulating at different frequencies, and measuring the displacement level. The frequency at 

which the highest displacement occurs is the resonant frequency peak. In this case, a sweeping 

mechanism from 1 Hz to 100 Hz has been implemented, with 0.1 Hz increments, shown in the 

timing diagram in Figure 6.1e. We used a silicone phantom with similar elasticity and thickness 

to the retina to calibrate the measurement of elastic modulus using equation 1. The resonance 

frequency was determined to be ~15 Hz. The resonance frequency and the Young’s modulus is 

related by: 𝐸 = 𝜇! ∗ 0.03. The bulk Young’s modulus of the entire depth of the sample can be 

calculated to be ~7 kPa. 
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The frequency sweep method can only quantify the bulk elastic modulus of the entire imaging 

depth of the sample at the region of excitation. The elasticity is quantified as stress over strain, 

where the strain values are inversely proportional to the displacement. Because the force of the 

ARF is difficult to quantify directly, the stress on the sample cannot be quantified. The OCE 

images measure the displacement of the sample at each location, assuming a uniform ultrasound 

stress field within the transducer focal region. This means that the relative elasticity of each layer 

can be measured spatially according to the OCE, but the absolute Young’s modulus requires an 

additional model to calculate the individual layer elasticity. 

 

It can be assumed that the layers of the retina, choroid, and sclera are a series of springs attached 

to each other with the bottommost layer fixed at a boundary. In this experiment, the bulk 

elasticity for the entire depth, including the retina, choroid, and sclera, is obtained based on the 

frequency sweep mechanism in Figure 6.1e. The total thickness and the thickness for individual 

layers were found using the segmentation algorithm on OCT B-scans. The relative ratio of the 

elasticity for each individual layer was determined based on the depth-dependent displacement 

map, as shown in Figure 6.1d, by using the modulated excitation approach. Finally, with the 

relative ratio between the layers and the quantified bulk Young’s modulus, as well as the layered 

and bulk thicknesses, the absolute Young’s modulus can be determined for each layer using 

equation 2.11. Last, the spatial distribution of the elastic moduli can be quantitatively mapped 

out using the relative vibrational displacement response that is measured using ARF-OCE with 

the mean value based on the individual layer elasticity.  
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6.4 In-vivo healthy rabbit study 

The rabbit eye is the ideal model for this study due to the ability to proptose the eye 

conveniently, for bathing in ultrasonic conductive medium such as PBS, and without inflicting 

damage. For translation into clinical trials, ocular gel or a waterbath with a steridrape can be used 

to couple the ultrasonic radiation force into the retina. This is routinely used in clinical 

ophthalmic ultrasound, and would not be expected to be problematic for clinical translation. 

 

The first New Zealand White rabbit was assumed to have a healthy ocular anatomy and imaged. 

The structural re-sliced OCT image was obtained as shown in Figure 6.2a, where individual 

posterior layers of the eye could be isolated using the graph-based segmentation algorithm (97). 

A re-sliced image in the Y plane is used since the ultrasound excitation is synchronized in that 

direction, while the B-scans in the X plane displays the modulated signal. It is apparent that not 

all layers of the retina could be differentiated and some distortions can be seen, most likely due 

to the bulk motion during in-vivo imaging caused by rabbit breathing or external noise as well as 

the limited imaging speed of 20 kHz. The ocular layers on the OCT were matched anatomical 

structures and verified by previous literature (105). The relative OCE displacement map is shown 

in Figure 6.2b, where higher displacement was seen on the ganglion side, and decreases toward 

the photoreceptor side, signifying the change in relative elasticity of the different layers. The 

frequency response of the tissue was obtained, and the resonance frequency peak was used to 

calculate the bulk Young’s modulus of the tissue, which was determined to be approximately 7 

kPa. Using the spring model and a weighted average, the corresponding elastogram was 

generated in Figure 6.2c.  
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Figure 6.2 The in-vivo rabbit posterior eye results. a) OCT. b) OCE displacement map. c) 

Elastogram. Layer i: optic nerve fibers, ganglion cell layer, and the inner plexiform layer, layer 

ii: inner nuclear layer, outer plexiform layer, and the outer nuclear layer, layer iii: RPE, layer iv: 

choroid, layer v: sclera.  

 

According to the OCT and elastogram results, the retinal, choroidal, and scleral layers appear to 

be relatively uniform in the lateral direction, which is expected of healthy retinal tissues. Images 
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of the OCT and OCE at different locations on the central retina within the region of ultrasound 

excitation are presented in Figure 6.3a and 6.3b, respectively, where similar patterns and trends 

can be observed across different layers. After averaging across 64 locations on the temporal 

retina, the mean stiffness of each layer is summarized in Figure 6.3c with the mean and standard 

deviation estimated for each layer. According to the thickness of the OCT layers and their 

correlation to the histological image, the layers were matched to their respective Young’s 

modulus. Due to the smaller thickness of the New Zealand White rabbit’s posterior orbit, it was 

possible to obtain a signal from the choroid and sclera layers below the retina. It is important to 

note that there was tissue edema observed in the sclera, which was possibly due to the eye 

proptosis as well as the constriction caused by the elastic sheet setup.  

 

Figure 6.3 Posterior eye results from New Zealand White rabbit at different location in central 

retina. a) OCT images of the central retina at increments of 75 um within 400 um focal region. b) 

OCE images of corresponding region. c) Summary of elasticity from layers I to V. 
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6.5 In-vivo rabbit damaged retinal study 

In order to test the feasibility of the ARF-OCE imaging system on detecting diseased states, we 

induced retinal damage on a second New Zealand White rabbit, primarily using blue light 

exposure. All rabbit experiments are performed with adherence to the guidelines set forth by the 

UCI Institutional Animal Care and Use Committee. In order to induce damage on the rabbit 

retina, the rabbit was treated with a high fat diet, blue light exposure, and nicotine for 8 weeks 

total, as outlined in Table 6.1. Similar animal models using rodents and rabbits have been 

previously published (106, 107). The rabbit was exposed to blue light for 2 hours a day, 5 times a 

week for 8 weeks, by lining the cage with blue light LED strips as shown in Figure 6.4. The 

rabbit was imaged every 2 weeks, from week 0 to week 9, according to the protocol, and  

 

Table 6.1 Diseased rabbit model description. 
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sacrificed. During imaging, the rabbit was first injected with 35 mg/kg of ketamine and 5 mg/kg 

of xylazine subcutaneously. For topical anesthesia, 2 drops of proparacaine HCl was applied. 

Topical atropine solution was also added for dilation of the eye. Once the rabbit becomes 

unconscious, he is placed on the imaging stage and the eye is proptosed. During imaging, the 

heart rate and oxygen saturation levels are consistently monitored and additional anesthesia via 

subcutaneous injection of ketamine is added with 17.5 mg/kg. After imaging, the rabbit is given 

buprenorphine for pain management as necessary, and is monitored closely until it becomes fully 

conscious. In the final terminal imaging, the rabbit is catheterized via the ear and injected with 

euthasol. OCE imaging from weeks 4 and 8 were compared. At the end of 8 weeks, the rabbit 

was imaged and sacrificed. 

 

Figure 6.4 Rabbit blue light exposure chamber. 

 

The rabbit was placed in a transparent chamber with 225 W of cool white LED’s lining 5 faces of 

the chamber. Since cool white LED’s are expected to have a high concentration of blue light in 

the 470’s range while not causing pain to the rabbit, they are the ideal candidates (108, 109). 

Blue light has been shown to cause AMD in moderate amounts, and are one of the major risk 
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factors in retinal diseases (110, 111). The 3D central retina region 2 mm away from the optic disc 

on the temporal side was imaged. During the first 4 weeks of treatment, no retinal damage was 

observed, as shown in Figure 6.5a and 6.5b. The OCT image showed a smooth transition 

throughout the layers, while the OCE and elastogram maps were very similar to the healthy eye 

from the first rabbit not damaged with light.  

 

Figure 6.5 Healthy vs. abnormal rabbit from weeks 4 and 8 imaging after light treatment. a) OCT 

of healthy retina at week 4. b) Elastogram of healthy retina at week 4. c) OCT of abnormal 

portion of retina at week 8. d) Elastogram of abnormal portion of retina at week 8. e) H&E 

staining after euthanization at week 8. f) Higher magnification H&E histology. Red box includes 

photoreceptor/RPE debris with round cell accumulation in underlying choroid and presumed 

lymphocyte filtration. Orange arrow (c) points to presumed lymphocytic infiltrate in choroid, 

resulting in low OCT signal. 
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After 8 weeks of treatment, imaging was performed and shown in Figures 6.5c and 6.5d. The 

OCT image showed a dark region between the bright RPE layer and the choroid, which 

corresponds with the detachment. There is also an irregular pocket of low scattering OCE signal 

in the choroid layer. In addition, it seems that the light penetration of the damaged retina is 

shallower than that of the relatively healthy one, as shown by the thinner section of sclera that 

can be observed in layer v. Histological analysis was performed and is shown in Figures 6.5e and 

6.5f. After analysis by a pathologist, it was determined that there was inflammation, causing a 

presumed lymphocytic infiltrate due to the prolonged blue light exposure. During 

histopathological examination we found mononuclear round cells in a small focal accumulation 

in the diseased rabbit choroid.  We speculate these were lymphocytes responding to the retinal 

injury. From the literature, lymphocytes typically appear with a low OCT scattering signal, and 

inflammation can lead to reduced stiffness in the membrane (112-114). This observation means 

that the low signal region on the choroid corresponds to the region of inflammation. The fold in 

the retina on H&E is most likely caused by formalin fixation shrinkage artifact, as determined by 

the pathologist. Once again, swelling was observed in the sclera layer, which is likely caused by 

proptosis conditions.  

 

Although some abnormalities were seen in the OCT, the elastogram looks very similar between 

the imaging performed at weeks 4 and 8. In order to identify differences, the Young’s moduli 

values for each layer has been summarized in Figure 6.6, where the relatively healthy data at 4 

weeks of treatment and the abnormal regions at week 8 are shown. An overall trend was 

observed where the top 4 layers are generally softer for the healthy tissue. The bottom layer is 

the only layer where the healthy site is stiffer than the abnormal site. According to literature, the 
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stiffness of lymphocytes is approximately 1 kPa or even lower (113, 114). Therefore, it is likely 

that the lower stiffness in layer v of the abnormal rabbit is caused by the infiltration of 

lymphocytes in the region of inflammation. One rabbit eye was analyzed using the diseased 

model, averaging across 500 A-lines, and while a trend was observed, the results were not 

statistically significant. Further in-vivo studies are necessary to verify the trend across different 

eyes. 

 

Figure 6.6 Histogram of relatively healthy and damaged rabbit posterior eye elasticity. 

 

6.6 Limitations for clinical translation 

Although we demonstrated the imaging and quantification of mechanical properties of the retina 

in-vivo, there are a number of challenges that must be overcome to translate the technology for 

clinical applications. First, the current acoustic intensity using to induce tissue motion exceeds 

the FDA 510k guidelines for diagnostic ultrasonography of the eye. The FDA ophthalmic 

standard for mechanical index (MI) is 0.23 while our MI is close to 2. However, the current ARF 
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induced displacement is hundreds of nanometers, while the phase sensitivity of our imaging 

system is less than 1 nanometer (115). Therefore, decreasing the excitation voltage by 10 fold 

will be feasible, and keep the system within the safety limits. Further tests must be performed to 

determine the minimal excitation that is necessary to maintain adequate mechanical sensitivity. 

Second, the current imaging field of view is limited to below 1 mm, with the transducer 

excitation area as the primary limiting factor. In addition, the lateral focal region is only 400 um, 

it is difficult to image the entire central retina region. Adaptation of an array transducer that 

enables excitation at multiple locations on the retina will be necessary to image biomechanical 

properties of the full central retina. 

 

In addition, during each imaging session, co-location is assured by first finding the location of 

the optic disk, and then moving 2 mm on the temporal side. With this method, exact alignment 

between each time point and correlating to histology is difficult. However, as demonstrated in 

figure 3a and 3b, the retinal layer elasticity trend is quite uniform across the central retina, so the 

comparison between healthy and diseased models remains valid. With respect to histology, there 

are features that can be seen within 200 um of the presumed region, where the histology matches 

with the OCT image, which is extremely helpful in co-alignment. 

 

The condition of proptosis definitely affects the properties of the retinal layers. The scleral 

edema that has been observed is most likely due to scleral injection or vessel dilation resulting 

from proptosis. In addition, the behavior of the choroidal response pattern in proptosed vs non-

proptosed eyes is drastically different (116). Proptosis increases the intraocular pressure of the 

eye, which led to choroidal edema that is likely caused by choroidal injection. Proptosis may 
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well have an effect on layer response due to vascular congestion (116). However, studies 

presented here emphasize relative changes over time or compared to normals in the proptosed 

state, so the results still provide valid information on relative changes. In future studies, methods 

for performing the procedure without proptosis are being considered, including the clinical 

steridrape setup as well as using ultrasonic gel for index matching.  

 

6.7 Summary 

Quantified elasticity maps of the in-vivo posterior eye are presented for the first time, using a 

proptosed rabbit eye model. This minimally invasive technology offers high resolution and high 

sensitivity for penetration directly into the individual posterior eye layers. The ARF-OCE system 

enables in-vivo imaging of the retina, which is essential for studying the retinal anatomy, as well 

as to detect and manage retinal diseases. In addition to studying the pure mechanical structure of 

the healthy and abnormal eyes, there are a number of other applications that can benefit from this 

technology. For example, in the application of the prosthetic retina using electrode stimulation, it 

is important to track the elasticity changes before and after stimulation, which can be done using 

the ARF-OCE technology. In this initial paper, we have demonstrated the elasticity mapping of 

different layers in the posterior full thickness of the eye of in-vivo rabbit models. The stiffness of 

the layers increases gradually from the ganglion side to the photoreceptor sides of the retina. In 

addition, we have also created a customized rabbit model primarily using blue light exposure to 

induce damage on the retina. Inflammation in the central retina was observed and changes in the 

elastic trend were speculated to be caused by the pathology. This study verifies the feasibility of 

using ARF-OCE to provide quantified elasticity maps of the retina, and is a critical stepping 

stone to the clinical translation of such a technology.  
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CHAPTER 7 

Intravascular	Elastography	Using	ARFI-OCE 

In this chapter, we report the development of an intravascular ARFI-OCE system that uses an 

integrated miniature ultrasound and OCT probe to map the relative elasticity of vascular tissues. 

We demonstrate the capability of the miniature probe to map the biomechanical properties in 

phantom and human cadaver carotid arteries. The significance of intravascular OCE is 

introduced in section 7.1. In section 7.2, we discuss the design of the imaging system including 

the probe fabrication process. In sections 7.3 and 7.4, the data acquisition and processing method 

is presented and is validated with phantom studies, respectively. A human cadaver carotid artery 

is imaged and analyzed in detail in section 7.3, and we end with a summary in section 7.4. 

 

7.1 Introduction 

Atherosclerosis is a major cardiovascular disease in which plaque that is composed of fat, 

cholesterol, calcium, and other substances, build up in the artery walls. The lumen of the artery 

narrows and can lead to major diseases and complications, such as strokes and heart attacks. 

Identifying vulnerable plaques early is essential for the management and prevention of fatal 

outcomes (117). Atherosclerotic plaques can occur anywhere in the major arterial vasculature, 

including smaller arteries such as the coronary artery that are not easily accessible (118). Due to 

the lack of accessibility and the small size of the sample, intravascular diagnosis methods have 

become a powerful tool in interventional cardiology for diagnosis and management of 

cardiovascular diseases. 
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Atherosclerosis affects the mechanical properties of vessel walls due to the changes in the wall 

composition and the local geometry (119). Since the biomechanical properties of fibrous and 

lipid plaques are different, there is a close correlation between the tissue elasticity and pathology. 

Most intravascular OCE methods focus on ex vivo image acquisition due to the limited size of 

the artery and system stability. Taking the tissue out of its natural environment will affect its 

mechanical properties and have limited clinical value. In order to obtain accurate 

characterization of elastic properties, it is necessary to perform imaging in vivo, which requires 

incorporating the technique into a single miniature probe. Development of ARF-OCE with a 

miniature probe poses some challenges due to the need for high sensitivity and a large excitation 

force.  

 

In this chapter, we introduce a novel miniature probe-based system using a single ARF as the 

excitation mechanism and phase-resolved OCE for detection in order to map the elasticity of 

tissues. We use a miniature focused ring transducer for maximum excitation and utilize OCE for 

its nanometer sensitivity (115, 120-122). Calibration data was obtained using two uniform 

phantoms while the feasibility of distinguishing mechanical contrast and tissue imaging was 

demonstrated using a side-by-side phantom and cadaver tissues, respectively. The relative 

Young’s moduli ratio of the cadaver tissue components were approximated and compared to 

literature values (123). The results demonstrate the feasibility of a miniature probe for the 

quantification of tissue mechanical properties, and represent a significant first step toward 

developing an endoscopic intravascular probe for ARF-OCE.  
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7.2 Intravascular probe-based system design 

The overall design of the ARFI-OCE system is shown in Figure 7.1a. Similar to the setup in 

previous chapters, an 890 nm SLD source with a bandwidth of 150 nm is used in the SD-OCT 

system. With a 0.9 mW output power on the sample, the system operates below the preset MPE 

limits. On the detection arm, a 1200 slits/mm diffraction grating is used along with a CMOS 

camera for detection of 20 k A-lines per second. The ultrasonic excitation was synchronized with 

the OCE acquisition via a function generator for efficient detection. A single amplified ARFI was 

given for the specified pulse duration and 500 A-lines of Doppler OCT were used to detect the 

phantom or tissue response.  

 

The front-facing miniature probe design is shown in Figure 7.1b. A 3.5 mm 8.8 MHz ring 

ultrasound transducer with a middle aperture of approximately 1 mm with a focal depth of 5.53 

mm was used. The optical components include HP-780 optical fiber and 0.7 mm in diameter 

GRIN lens. First, the single mode optical fiber is cleaved at 8 degrees using an angled fiber 

cleaver. Next, the GRIN lens is fixed to the fiber with UV glue. The focal distance of the fiber is 

kept at 5-6 mm by controlling for the distance between the lens and fiber end. A 0.8 mm in 

diameter polyimide tube is fastened over the lens-fiber complex for protection, and the entire 

unit is put through the aperture of the transducer. The surface of the transducer and lens are 

aligned flush so that excitation and detection are exactly confocal, yielding in maximum tissue 

response signal. The optical fiber is well protected inside a stainless steel torque coil housing and 

connects the imaging probe to the system via a FC/APC optical connector. One end of the fiber is 

connected to the GRIN lens for imaging, while the other end is connected to an FC/APC 

connector and attached to the system for light transmission.  
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Figure 7.1 a) Overview of ARFI OCE system set up. C: collimator, L: lens, A: attenuator, M: 

mirror, G: grating, MS: mechanical stage, RFA: radio frequency amplifier, P: probe, S: sample, 

FG: function generator. b) Probe design (left). probe head including a ring transducer and optical 

elements inside (right). c) Transducer frequency and echo characterization. (d.) Transducer axial 

force field characterization. 

 

The transducer characterization data including the pulse-echo response and the spectrum is 

shown in Figure 7.1c. The electrical wire of the transducer connects to the FG and RFA for 

synchronization and driving ARF transducer. The tip of the probe was fixed to be stiff with glue 

and it was then fastened to a metal rod on the mechanical stage for stability and translational 

movement. The tip of the probe was submerged in a water bath to provide a medium for 

ultrasound during imaging. The mechanical stage movement was also synchronized with the 

ARFI excitation and Doppler OCT detection for scanning a B-scan. For calibration studies, only 
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M-mode was used to capture the displacement response and the mechanical stage was not used 

for lateral scanning. The axial pressure field of the transducer is characterized in Figure 7.1d. For 

this study, the sample placement was kept within 0.8 mm of the axial focal depth, where the 

excitation pressure is approximately uniform within a -0.415 dB range. Therefore, the 

displacement amplitude can be directly compared. 

 

7.3 Data acquisition and processing 

Sample OCE raw images obtained from uniform gelatin phantoms are shown below. The left 

image in Figure 7.2a, which shows the phase bands with a strong initial compression response 

and weaker relaxation response, was obtained using 70 V ARF excitation for the duration of 1 ms 

on a 12.7 kPa gelatin phantom. The middle image utilizes the same duration, but with a higher 

voltage of 80 V, and it is apparent that there is a difference in the phase bands, with the color 

changing from green to teal. In the right image, the pulse duration of the ARF is increased to 2.5 

ms, and the phase bands for both the compression and relaxation become wider by 

approximately 2.5 fold.  

 

In order to process and quantify the phase and displacement information, the phase Doppler 

equation 2.10 is used. The change in displacement is calculated from the integral of the velocity. 

Using the concepts of the Doppler effect, the velocity can be obtained by calculating the change 

in phase information. Because the probe is very small and imaging takes place in a water bath, 

there is a need to eliminate the bulk motion in displacement caused by water movement and 

large-scale vibrations. Since the frequency of the noise is relatively low compared to that of the 

tissue response to the ARF, it is possible to use a polynomial regression fit to filter out the low 
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frequency motions (124). A 10th order polynomial fit was used, based on least-squares regression 

analysis. This low frequency noise component was subtracted from the full signal so that only 

useful signal remained. The filter was applied on all displacement data to eliminate bulk motion. 

 

Figure 7.2 Displacement data. a) Raw phase Doppler data of phantom response. b) Displacement 

and phase analysis of response of 70V, 1ms excitation. 

 

In Figure 7.2b, the response of a relatively soft and a relatively stiff gelatin phantom were 

obtained using a 70 V and 1 ms excitation ARF and both the phase and integrated displacement 

data are plotted. From the displacement image, it is apparent that the softer phantom displaced 

more than the stiffer phantom in general. For this particular data point, the maximum 

displacement of the soft phantom was 0.75 um while that of the stiff phantom was 0.45 um. The 
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relaxation time for the soft phantom was also much longer than that of the stiff one, as expected. 

The phase plot shows the velocity of the soft phantom to be higher than that of the stiff one 

during the entire period.  

 

7.4 Phantom validations  

Two gelatin phantoms with different stiffness were fabricated. The relatively soft phantom was 

composed for 2.45% (by weight) gelatin, 0.4% (by volume) intralipid, and 1.8% (by weight) 

silicon dioxide. The stiffer phantom composed of 6% (by weight) gelatin. Intralipid was added 

for optical contrast while silicon dioxide was for acoustic attenuation. The uniform phantoms are 

circular with a diameter of 5 cm and thickness of 5 mm. A side-by-side phantom was also 

fabricated by cutting out a portion of the stiff phantom and adding the gelatin mixture of the soft 

phantom to the opening. The thickness of the side-by-side phantom was approximately 8 mm. 

There was some diffusion that occurred between the barriers of the two phantoms, which 

contributed to a gradient in elasticity. 

 

Imaging was performed using the 2 uniform gelatin phantoms. In Figure 7.3a, various after-

amplification voltages ranging from 50 V to 90 V were used on both phantoms and the 

displacement values were measured and averaged across 50 points. Bulk motion was once again 

removed. The relationship between the voltage and displacement is known to be quadratic, which 

is reflected in the regression fit in Figure 7.3a. The soft phantom exhibited approximately 2 times 

the displacement value of the stiff one at each excitation voltage. Mechanical compression tests 

were performed on the 2 uniform gelatin phantoms using a MTS Synergie 100. A strain of up to 

0.1 mm/mm was used, with a strain rate of 50 mm/min. The thickness of the tissue was 
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approximately 1 cm, and 50% compression was used. In most cases, deterioration was seen at 

around 50%. The Young’s modulus of the soft phantom was 11.7 kPa while the Young’s modulus 

of the stiff phantom was 23.1 kPa. These results are in general agreement with the experimental 

data shown in Figure 7.3a. 

 

Data was also obtained for different excitation pulse widths. The soft gelatin phantom was used 

with pulse widths ranging from 0.4 to 2.5 ms. There is again an approximately linear relationship 

between the pulse duration and the observed displacement as expected in Figure 7.3b.  

 

Figure 7.3 Phantom data. a) Voltage versus displacement for relatively soft and stiff uniform 

gelatin phantoms. b) Pulse width versus displacement for soft gelatin phantom. 
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For the lateral scanning experiments, an excitation voltage of 70 V and a pulse width of 1 ms was 

used. Since the Young’s modulus for the soft and stiff phantoms were determined to be 11.7 kPa 

and 23.1 kPa respectively, corresponding to a soft to stiff elastic ratio to approximately 1:1.97. 

Since displacement and Young’s modulus is inversely proportional according to equation 2.11, 

this displacement of the soft to stiff phantom is expected to be 1.97:1, which is approximately the 

ratio denoted in Figure 7.3a. 

 

Next, in order to validate the feasibility of lateral scanning using a mechanical stage without 

excess noise, a side-by-side gelatin phantom was used in a 5 cm diameter petri dish with a height 

of 1 cm, and placed upright at the bottom of the water bath for imaging. The mechanical stage 

was synchronized with a step size of 20 µm, traveling one step every second. At each step, a 70 

V and 1 ms excitation pulse was given, and 500 A-lines were recorded to capture the sample 

response. The structural OCT image is shown in Figure 7.4a. The 2-sided phantom appears 

uneven within the ultrasound focal region, with the right surface at a lower position than the left 

side due to a few different factors, including initial fabrication artifact, diffusion, and evaporation 

of the phantom between its construction and the time of imaging. This effect has been noted and 

so mechanical testing was performed immediately after imaging to minimize any changes in the 

elasticity over time. The OCT image shows a relatively uniform structure throughout. In Figure 

7.4b, the elastogram of the same phantom is shown, and it is apparent that the right hand side 

shows higher displacement than the left side. Figure 7.4c draws out the average displacement 

curve by using segmentation to isolate the entire signal region in Figure 7.4b and taking the 

mean along the entire depth. The left side has mean value of 0.75 µm while the right side has a 

mean of 1.13 µm. The displacement values are larger than that of the homogeneous phantoms 
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since the thickness of the side-by-side phantom was larger, at 8 mm. There is a gradual gradient 

change in the middle region where the two phantom likely diffused and mixed with each other. 

 

 

Figure 7.4 Side by side phantom. 1) OCT structural image. b) OCE elastogram. c) Average 

displacement map 

 

7.5 Elasticity mapping of human cadaver carotid artery 

Fresh human carotid artery samples were obtained from volunteer subjects and frozen in a -19 

degree freezer. After the imaging system was set up, the tissue was thawed and a 1 cm section of 

the tissue was isolated and cut open longitudinally. The tissue was pinned down to a holder and 

submerged in phosphate buffered saline for imaging to minimize swelling. After imaging was 

completed, the region of interest was marked with pins and the tissue was fixed in formalin for 
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24 hours. Then it was processed and embedded in wax. Sectioning was performed using a 

Microtome to obtain 6um thick slices on a region of interest of 1mm. Finally, H&E staining was 

performed and images were taken with a microscope with 4x magnification to find a match with 

the experimental region of interest. 

 

The carotid artery of the human cadaver was used to test the system response in tissue, 

specifically in plaque regions. The images were taken with similar parameters as that of the side-

by-side phantom, at 20 Hz A-line rate in M-mode, with 1 s per movement step on the mechanical 

stage. A post-amplified voltage of 70 V and pulse duration of 1ms was used. The OCT image is 

shown in Figure 7.5a, where it is difficult to distinguish the plaque tissue from just the structural 

data. There seems to be a structural change on the left hand side of the image that may 

correspond to a plaque. However, the right hand side looks to be relatively uniform and smooth.  

 

From the OCE elastogram shown in Figure 7.5b, it is apparent that the displacement on the left 

hand side is much smaller than the right hand side, suggesting plaque formation there. More 

interestingly, within the middle bulging section, there are distinct layers on the tissue. The dark 

blue region is much stiffer, suggesting that there may be a fibrous plaque layer there. The right 

hand side of the image shows higher displacement and signals toward relatively healthy tissue.  

 

In order to validate the feasibility of our system in discerning abnormalities in tissue, histology 

was performed on the matching tissue using H&E staining shown in Figure 7.5c. A research 

pathologist was consulted in reading the histological slide. There is relative preservation of the 

smooth muscle layers in the media of the artery on the right hand portion, shown by the black 
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arrow. However, there is obvious intimal thickening and atheroma on the lumen side, indicated 

by the blue arrow, which correspond to the low displacement region in the middle of Figure 7.5b. 

Within the 300 um tissue penetration that was imaged, the intimal thickening was fully captured, 

shown by the yellow layer. On the left hand side, there is a thicker atherosclerotic plaque, for 

which the vacuoles can be visualized, and this can be correlated to the lower displacement on the 

left side than the right side. Based on the morphology, these indications are consistent with 

atherosclerotic plaques. This demonstrates that the mechanical elasticity seen in our elastogram 

matches well with tissue pathology. It is also important to note that the system has the 

capabilities to differentiate both lateral and axial contrast within arterial tissue. A gradient can be 

seen from the left side where it is stiffer to the right side where the healthier tissue is soft. This 

can potentially allow us to diagnose the severity of stiffening and disease progression. 

  

Figure 7.5 Cadaver tissue & histology data. a) OCT image of human cadaver coronary artery 

cross-section. b) OCE elastogram of corresponding region. c) H&E staining of the region under 

4x magnification. Red box corresponds to region of stiff inclusion. 
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Using the calibration data for the ARF stress value, we can approximate the relative Young’s 

moduli of the healthy versus diseased region. In Figure 7.5 above, the far right side consists of 

mostly healthy tissue and early atheroma, and the average displacement is estimated to be 

0.97+0.2 um. The left side, consisting of abnormal tissue, has a displacement of 0.19+0.04 um. 

This corresponds to a stiffness ratio of 1:5.1 for the right to left sides. According to this value and 

comparison to literature (123), the diseased region is most likely composed of fibrous plaque, 

which has been verified with histology as well.   

 

All methods were carried out in accordance with the University of California, Irvine Institutional 

Review Board (IRB) and the Institutional Biosafety Committee. IRB granted an exemption to the 

protocol requirement since the activities do not constitute Human Subject Research. Informed 

consent was deemed unnecessary because confidentiality of the deceased cadaver tissues is 

protected and coded. All experimental protocols were approved by the UCI IBC under protocol 

#2016-1570.  

 

7.6 Summary 

In conclusion, we have introduced an ARFI-OCE technique that uses a front-facing miniature 

probe with a ring transducer to generate elastograms of tissue with high mechanical sensitivity. 

Phantom data was collected using two uniform phantoms with different stiffness. Lateral 

scanning was performed using a side-by-side gelatin phantom and observed the appropriate 

mechanical contrast. Finally, imaging was performed on a human cadaver carotid artery sample 

and tissue abnormality was detected and matched to histology results. The relative Young’s 
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moduli of the tissue were approximated based on the relative displacement information. These 

results represent a prototype device that can identify plaque regions effectively and serves as an 

important step to the miniaturization and translation of this technology for in vivo imaging.    
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CHAPTER 8 

Summary	and	Future	Directions 

8.1	Summary	

This	Ph.D.	dissertation	has	presented	a	method	of	quantified	elasticity	mapping	for	the	 in	

vivo	diagnosis	of	ocular	diseases	and	cardiovascular	applications	using	ARF-OCE.	We	also	

discuss	 the	 translation	of	 such	 technology	 to	 clinical	 imaging.	The	experimental	 research	

and	the	theoretical	approach	have	been	discussed	in	detail.	

	

A	phase-resolved	ARF-OCE	method	using	confocal	excitation	and	detection	was	optimized	

for	 measuring	 tissue	 elasticity	 and	 rendering	 elasticity	 maps.	 The	 system	 has	 been	

optimized	in	resolution,	synchronization,	imaging	range,	and	the	implementation	of	a	new	

setup	to	accommodate	in	vivo	imaging.		In	this	system,	an	ultrasound	transducer	emits	ARF	

to	induce	tissue	vibrations	and	the	resulting	displacement	is	measured	using	Doppler	OCT.	

The	 advantages	 are	 high	 resolution	 due	 to	 optical	 detection,	 high	 sensitivity	 due	 to	 the	

phase	 stability	 of	 Doppler	 OCT,	 and	 fast	 imaging	 speed.	 In	 previous	 experiments,	 only	

qualitative	 elasticity	measurements	were	possible	due	 to	 the	difficulty	 in	quantifying	 the	

stress	 induced	 by	 ARF	 on	 tissue.	 A	 method	 of	 quantification	 was	 created	 based	 on	 the	

resonance	 frequency	 theory	and	 the	Voigt	mechanical	model	 to	 calculate	 the	 elasticity	of	

individual	tissue	structures.	After	phantom	validations	and	calibrations,	this	technique	was	

applied	 to	ocular	and	cardiovascular	applications	 in	 the	early	stage	diagnosis	of	diseases.	

From	 a	 clinical	 standpoint,	 this	 technology	 uses	 non-invasive,	 non-ionizing	 light	

interactions,	 and	 is	 translatable	 to	 become	 a	 powerful	 tool	 in	 clinical	 diagnosis	 and	

therapeutic	monitoring.	
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In	 ocular	 diseases	 such	 as	 keratoconus	 and	 AMD,	 the	 elasticity	 of	 the	 tissue	 begins	 to	

change	 before	 structural	 changes	 are	 visible	with	 current	 imaging	modalities.	With	ARF-

OCE,	the	degree	of	corneal	crosslinking	can	be	measured	and	the	relative	elasticity	map	has	

been	generated	to	show	spatial	changes.	The	layered	elasticity	change	of	the	retina	has	also	

been	mapped	 in	 both	ex	vivo	and	 in	vivo	 settings	 to	 visualize	 the	 differences	 in	 elasticity	

between	 retinal	 layers	 and	 the	 changes	 in	 mechanical	 properties	 associated	 with	

pathological	 changes	 such	 as	 inflammation.	 The	 resonance	 frequency	 sweep	 was	 also	

applied	 on	 both	 the	 anterior	 and	 posterior	 eye,	 where	 the	 frequency	 response	 directly	

related	to	the	stiffness	of	the	material.	The	feasibility	for	the	translation	to	in	vivo	elasticity	

mapping	has	been	proven,	which	is	a	stepping	stone	to	clinical	diagnosis.		

	

In	 cardiovascular	 applications,	 a	 novel	miniature	ARF-OCE	probe	has	 been	 fabricated	 for	

intravscaular	 imaging.	 The	 spatial	 elasticity	 mapping	 has	 been	 obtained	 for	 validation	

phantoms	 and	 the	 carotid	 artery,	 and	 the	 mechanical	 changes	 for	 pathological	 plaques	

could	be	identified.	In	addition,	the	plaque	components	could	also	be	distinguished	based	

on	 the	 elasticity	 analysis.	 Since	 intravascular	 US	 and	 OCT	 are	 both	 commercialized	 and	

widely	used	in	the	clinics	today,	the	translation	of	the	ARF-OCE	technology	is	imminent.	It	

will	 offer	 physicians	 an	 additional	 property	 to	 aid	 in	 the	 diagnosis	 and	 monitoring	 of	

vulnerable	plaques.		

	

8.2	Future	directions:	Retinal	electrode	stimulation	

In addition to measuring the retinal layered elasticity change during disease onset, ARF-OCE can 

also be applied to elasticity tracking before and after ocular procedures to assess the retinal 
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damage. One application is determining the change in retinal stiffness before and after the 

application of a retinal prosthesis. Current retinal prosthesis method involves the placement of 

electrodes on the retina to stimulate the nerve fibers. When metal electrodes are introduced onto 

a soft tissue surface, it may inadvertently change the tissue properties and induce damage onto 

the tissue. It is important to study the changes and harmful effects that take place with the 

electrode placement to better understand the effectiveness of such a procedure. 

 

We have also conducted a few preliminary experiments by placing electrodes onto an ex-vivo 

porcine retina. Vitrectomy was performed to cleanly remove the vitreous, and a small surgical 

tack was used to hold the electrode in place. Due to the ex-vivo nature of the tissue and the lack 

of blood perfusion, retinal detachment was observed at some portions in Figure 8.1a. We have 

verified that the OCT light cannot penetrate through the metal electrode, but can go through the 

polyimide portions adjacent to it. Figure 8.1b shows the en face view of the retina, where the 

metal electrode portions show up with no optical signal, and the polyimide portions can be 

visualized underneath. The region directly underneath the polyimide can be quantified by 

directly measuring the tissue response using ARF-OCE. 

 

To verify the feasibility of elasticity mapping underneath the polyimide material, Figures 8.1c 

and 8.1d zoom into a smaller region within the ultrasonic lateral focus. The OCT image is shown 

along with the displacement map, where the ganglion side of the retina seems to vibrate less, or 

is stiffer, than the deeper portions. This is likely due to the stiff electrode/polyimide unit that is 

directly on top of the retina. In addition, the resonance frequency method was used to measure 

the bulk modulus of the retina plus electrode unit, which was approximately 180 kPa.  
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Figure 8.1. Preliminary results with electrode placement on retina. a) OCT B-scan of region 

under electrode and polyimide unit. b) En-face OCT of retina through the electrode/polyimide 

unit. c) OCT zoomed in portion of region under polyimide. d) OCE of region under polyimide. 

 

The primary challenge is that the ARF currently exceeds the federal safety limit for ocular 

ultrasound exposure by approximately 10 fold. However, the theoretical phase sensitivity of the 

ARF-OCE system is on the nanometer scale, while we are currently inducing micrometer 

displacement. Therefore, further experiments need to be performed to determine the optimal 

ARF level where the trade-off between sensitivity and power is balanced.  

 

These results demonstrate that it is feasible to use compressional elastography to determine the 

stiffness of the retina before and after electrode placement. The plan for the next step is to add 

electrode stimulation in both ex-vivo and in-vivo animal models, and measure the changes in 

retinal elasticity to better understand the impact of retinal prosthesis. The experiments conducted 

thus far serve as stepping stones to clinical imaging of the retina both with and without 

prosthesis. 
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8.3 Future directions: In vivo intravascular ARF-OCE 

ARF-OCE provides physicians with a tool to measure the mechanical elasticity of vascular 

tissues and differentiate plaque components. However, structural information is still necessary to 

visualize the plaque contour, especially to aid in the identification of the fibrous cap and lipid 

pool with high resolution. OCT and US have proven to be perfectly complimentary in vascular 

imaging of vulnerable plaques, where OCT provides the high resolution to visualize thin fibrous 

caps and US offers a deep penetration into the large lipid pools (125-127). Therefore, the next 

step is to combine the probe-based ARF-OCE technology with OCT and US to yield in a tri-

modality system that can offer both mechanical properties as well as structural information. 

 

Having validated the ARF-OCE system with phantom testing and tissue, we have started to 

modify the setup to incorporate ultrasound, as well as make it compatible with miniature rotating 

catheter probes. The schematic diagram of the tri-modality system is shown in Figure 8.2. This 

system combines the OCT, US, and OCE components in a single probe. The probe connects 

directly to a rotary joint with a motor for fast rotational scanning. An ultrasound pulser/receiver 

is used to detect acoustic signal for image formation. The ultrasound excitation and acquisition, 

OCT acquisition, as well as probe rotation are all synchronized and controlled via C++ software 

on the computer. The SD-OCT system and ARF generation is similar to the one presented in the 

previous chapter. For OCT/US, we will use a similar algorithm to the previous system (125-127). 
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Figure 8.2 Integrated tri-modality system with ARF-OCE, OCT, and US. 

 

The probe design will be similar to the probe presented in chapter 7, since the ultrasound 

transducer can both serve as the ARF excitation for OCE and the pulser/receiver for ultrasound 

imaging. We have been able to cut down the size of the ring ultrasound transducer from 3.5 mm 

to 2.5 mm, and the inner ring diameter is kept at 0.6 mm. The optical and acoustic beams will be 

confocal on the sample of interest. The two signals will be synchronized so that OCT, OCE, and 

US imaging can be performed simultaneously. The probe will be attached to a rotary joint device, 

which will allow for rotational scanning inside the artery. The probe design must be robust to fast 

rotations inside a catheter sheath. The proposed rotation mechanism uses a rotary joint with a 

rotating motor. This type of rotational mechanism has been previously used in US/OCT as well 

as OCT probes, and has proven to work well even under high scanning speeds up to 72 Hz (126).  
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One of the major obstacles to overcome in miniature OCE probe design is the strength of the 

ARF emitted by the ultrasonic transducer. Because these transducers have been scaled down 

from diameters of 3 cm to less than 2.5 mm, the induced ARF signal is intuitively much weaker 

than before. Therefore, it is necessary to test whether the transducer is able to provide a strong 

enough force to create displacement in the sample. Even if there is displacement signal, if a high 

voltage is applied from the function generator, the probability of burning and damaging the 

transducer is very large. Therefore, it is also necessary to test for the maximum voltage that the 

transducer can withstand. In addition, the impulse ARF-OCE imaging technique described in the 

previous chapter requires step by step A-line acquisition, which is inefficient. It would be ideal to 

offer continuous excitation as the probe scans across the tissue of interest, which will increase 

the imaging speed from 10 minutes to less than 0.3 s per frame. Again, the limitation is the 

amount of ARF the miniature transducer can withstand at one time.  

 

Figure 8.3. Continuous pulse ARF-OCE imaging of phantom at different excitation voltage. 

 

Therefore, we tested the feasibility of using continuous pulse excitation using the front-facing 

catheter on a phantom as shown in Figure 8.3. We demonstrate that even with a 2.5 mm probe, 
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we can generate sufficient force to induce sample vibrations and acquire the phase and 

displacement data. This allows for faster real-time imaging with continuous probe rotation and 

pull-back.  

 

With the intravascular ARF-OCE technology, it has been able to successfully distinguish 

diseased from healthy tissues, especially when the OCT image alone does not show this 

accurately. The current goal is to implement probe rotation during acquisition, as well as to 

miniaturize the design further by gradually cutting down on the transducer size without 

sacrificing the ARF power excessively. The current catheter can be used for diagnosis in larger 

vessels, but the diameter is ideally less than 1 mm for imaging in the coronary arteries. While the 

ocular applications exceed the ultrasound exposure limit, this is not an issue with cardiovascular 

imaging, where the exposure limit is well above the current ARF level.  

 

In the next step, in vivo experiments will be performed in the rabbit aorta and in the porcine 

coronary artery to evaluate the performance of the addition of ARF-OCE. Our ultimate goal is to 

translate the imaging system from laboratory use to clinical diagnosis. The results obtained from 

the animal studies will provide solid data necessary for IRB approval of future clinical testing. 

This project is the stepping stone to using an integrated intravascular imaging technology in 

clinics for early diagnosis and progress tracking of vulnerable plaques for atherosclerosis. 

 

OCE is a valuable tool that has gained momentum in recent years for the characterization and 

quantification of mechanical properties of tissues. Various methods of excitation and detection 

have been used, including air puff and ARF for excitation, and shear wave and compressional 
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wave for detection. All of these methods aim to quantify the elasticity of tissues with the Young’s 

modulus as standard. It has been demonstrated that ARF-OCE has great potential to characterize 

the mechanical elasticity of vascular lesions in the early diagnosis of atherosclerosis. The 

surveillance of vulnerable plaques will provide a critically important tool for monitoring the 

disease progression and provide timely intervention in high-risk patients. 
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