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ABSTRACT 

This dissertation reports on the development of measurement methods to assess the 

biomechanical properties of cornea based on low-coherence optical imaging, focusing 

on optical coherence elastographic techniques, to meet the growing demand for 

noninvasive high-resolution tissue characterization with improved diagnosis and 

treatment of ocular diseases. The research work was based on optical coherence 

tomography (OCT), a rapid, high-resolution, three-dimensional imaging modality that 

enables noninvasive depth-resolved imaging. The dissertation work is summarized in 

seven sections: 1) characterization the biomechanical properties of tissue mimicking 

phantoms, an ocular phantom, and mouse cornea in vivo using optical coherence 

elastography (OCE); 2) assessment the biomechanical properties of mouse corneas of 

different ages in vivo using air-pulse OCE; 3) the development of a method to spatially 

map the localized elasticity of the rabbit cornea in situ after partial riboflavin/UV-A 

corneal collagen cross-linking using OCE; 4) rapid characterization of the biomechanical 

properties of porcine corneas before and after UV-induced collagen cross-liking at 

different intraocular pressures by OCE; 5) the development of method to differentiate 

untreated and cross-linked porcine corneas of the same measured stiffness with OCE; 6) 

evaluation of the effects of Riboflavin/UV-A corneal collagen crosslinking on porcine 

corneal mechanical anisotropy with noncontact OCE; 7) a comparison of two non-

contact methods to assess mechanical properties of tissue mimicking phantoms: optical 

coherence elastography and Michelson interferometric vibrometry. These techniques, 

methods and applications are demonstrated with the experiments performed on tissue 

mimicking phantoms (gelatin, agar, and silicone) and corneas (mouse, rabbit, porcine, 
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both ex vivo, in situ, and in vivo) under different conditions (normal vs. cross-linking, 

various intraocular pressures, etc.). This dissertation represents the frontier and emerging 

research area of optical coherence elastography and is expected to contribute to the field 

of biomechanical assessment with research and clinical based applications. 
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CHAPTER 1 – Introduction and Background 

1.1 Tissue characterization 

Tissues can be characterized based on specific properties (such as optical, mechanical, 

electrical, etc), which can be assessed through qualitative and quantitative means [1]. 

Tissue properties provide crucial information for biological studies, disease diagnosis, 

and therapeutic intervention of various diseases. Specifically, tissue functions can be 

better understood with the knowledge of particular tissue properties. For example, the 

accurate measurement of the refractive index distribution in crystalline lens could assist 

the investigation of its contribution to the accommodation of the eye [2]. Aside from a 

fundamental understanding of physiology, tissue properties are useful for differentiating 

pathological tissue from normal tissue for predicting disease and guiding treatment 

through dynamic monitoring of the tissue properties. For instance, tumorigenesis 

increases the stiffness of tissue, and the tumor margin can be detected by mapping the 

mechanical contrast [3, 4].  

One particular tissue property, its stiffness, provides an effective indicator for tissue 

characterization since various pathologies can affect tissue biomechanical properties, and 

subsequently can provide additional contrast between different types of tissues. The 

tissue elasticity is determined by the structure and composition of tissue [5]. Based on 

published results, it is clear that the elasticity variation is significant among different 

types of cells and tissues, which potentially can be used for contrast in tissue imaging 

and differentiation, providing the possibility of improved characterization of tissue [6-

19]. 
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The scale of elasticity measurement is very important as the tissue appears to have 

different mechanical properties at different scales [20]. For example, tumor cells have 

been found to have much lower Young’s modulus compared with the healthy cells [21]. 

Conversely, solid tumors have higher stiffness than normal tissue at the macroscopic 

level, which can also be gleaned from palpation during physical examination or surgical 

resections [22]. Thus, techniques that enable micro-level measurement of tissue elasticity 

are required to better understand tissue functions and improve tissue characterization 

techniques for better diagnosis and treatment of diseases. 

1.2 The cornea 

A schematic of a human eye is shown in Fig. 1.1. The cornea is a critical component 

of the eye and forms the outermost layer, protects the eye from the outside environment, 

and provides most of the refractive power of the human visual system. The refractive 

power of the cornea is determined by three parameters: the intraocular pressure (IOP), 

the refractive index of cornea, and the shape of cornea. The biomechanical properties of 

cornea have been shown to be different under normal, diseased, and post-surgical states 

[23, 24]. Ectatic diseases such as keratoconus degenerate the pellucid margin, 

progressively reduce the thickness, distort and soften the cornea, which eventually can 

lead to uncorrected vision loss [25, 26]. Therefore, accurately assessing the 

biomechanical properties of cornea can help to identify the early stages of corneal 

degenerative diseases, such as keratoconus [27, 28].  

Refractive surgeries, such as LASIK and PPK reduce the dependence on prescription 

eyeglasses or contact lenses for vision correction by altering the shape and refractive 

power of the cornea. In such procedures, the biomechanical properties of cornea are 
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noticeably altered [29-31]. Thus, actually measuring the biomechanical properties of 

cornea can help to track the outcome of these refractive surgeries or aid in planning and 

customizing personalized procedures.  

 

 

Figure 1.1. Cross-section image of human eye. (Public media of 

http://www.eyemedicalcare.com) 

 

1.3 Common elastographic methods 

A variety of imaging and detection techniques have been proposed and developed to 

characterize the mechanical properties of various tissues. For example, ultrasonic 

imaging utilizes the acoustic impedance of the tissue as the imaging contrast, x-ray 

imaging detects the attenuation of x-rays in tissue, and uniaxial compression or tension 
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tests measure the mechanical strength of the tissue [32-34]. Also, functional imaging 

approaches enable the detection of particular tissue properties in addition to the intrinsic 

contrast mechanism of the method, such as blood flow measurement using ultrasonic 

imaging [35]. Optical methods have several advantages and unique features that separate 

them from other tissue characterization techniques, such as high spatial resolution, 

highly-localized detection, no ionizing radiation, nondestructive imaging, and capability 

of in vivo real-time monitoring [36-40]. 

In the specific field of measuring the biomechanical properties of the cornea, the 

majority of techniques are based on inducing a deformation in the tissue and measuring 

the tissue response. The excitation can be provided by mechanical force, acoustic 

radiation force, or a pressure force produced by a pulsed laser [41-44]. Many imaging 

modalities, such as ultrasound imaging, magnetic resonance imaging, acoustic radiation 

force imaging, dynamic corneal imaging, and supersonic shear imaging, have been 

proposed to image the response of the cornea to an excitation [42, 44-57]. However, due 

to the relatively low spatial resolution, all of these methods require a significantly large 

amplitude of tissue displacement in order to produce a measurable signal, which may not 

be convenient for the cornea during in vivo studies. Holographic imaging has been used 

to study the elasticity of soft materials and tissues successfully. However, tissue motion 

may reduce the accuracy of this method in monitoring the deformation, which limits this 

method from in vivo applications [58]. Brillouin microscopy is another method that has 

been successfully used to achieve the depth-dependent biomechanical properties in the 

human cornea in vivo, and provides high resolution 3D elasticity maps of cornea [59-61]. 

This technique does not need an external excitation since it relies on Brillouin scattering. 
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However, translating the Brillouin signal to quantitative biomechanical parameters such 

as Young’s modulus and viscosity is still an open question. 

The Ocular Response Analyzer (ORA) and the CorVis are two clinically available 

methods to evaluate the biomechanical properties of cornea [62-66]. Both devices require 

a large amplitude air puff that displaces large volumes of tissue since they are marketed 

as devices for the measurement of intraocular pressure. The large displacement 

introduces a significant nonlinear component to the measured properties, and results 

from recent clinical studies demonstrated the inability of ORA to identify keratoconus-

suspect corneas [63, 67].  

Optical coherence tomography (OCT) is a noncontact, rapid, high-resolution, 3-D, 

well-developed, and widely used imaging modality that has become a staple in 

ophthalmology [68]. Thus, OCT can overcome the limitation of spatial resolution of 

previous techniques to significantly reduce the amplitude of the externally induced 

displacement for characterizing the biomechanical properties of the cornea. This 

dissertation examines its application for high-resolution noninvasive assessment of 

corneal biomechanical properties. 

1.4 Optical coherence tomography (OCT) 

OCT was introduced to the field of ophthalmology to noninvasively image the cross-

section of human retina with micron-scale spatial resolution in 1991 [68]. After 25 years 

of development, OCT has been applied in many research and clinical areas, such as 

intravascular imaging, blood flow detection and velocimetry, cancer imaging, 

developmental biology, elastography, dermatology, and dentistry [69-75]. Besides the 
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noninvasive detection and the three-dimensional imaging, OCT has three particular 

features that allow for extensive development and applications: 

1) High spatial resolution. Because OCT a broadband light source, which results in 

a limited coherence length. This translates to 1-10 µm of axial resolution [76]. By 

adopting various signal processing techniques, the spatial resolution can be improved to 

nanometer level [77].  

2) Millimeter-scale imaging depth in highly scattering media such as tissue. By 

utilizing near-infrared light, with wavelengths usually between 800 nm and 1700 nm, the 

penetration depth of ballistic photons inside the tissue can reach a few millimeters, which 

enables OCT to maintain sufficient depth of imaging in many applications with high 

resolution [78].  

3) Fast acquisition speed. Taking advantage of the fast-paced development of laser 

hardware, the OCT imaging rates are now primarily limited by detectors and acquisition 

hardware. Currently the fastest non-multiplexed OCT system can reach 28 million A-

lines per second [79]. 

 OCT is based on low-coherence interferometry (LCI), which was developed to 

characterize optical components with high axial resolution by measuring the field of the 

optical beam rather than its intensity [80]. The functional form of the electric field in a 

light wave is 

𝐸(𝑡) = 𝐸0cos(2𝜋𝜈𝑡 −
2𝜋

𝜆
𝑧),                                       (1.1) 

where v is the frequency of the wave, t is the time of propagation, λ is the wavelength, 

and z is the propagation distance. In a simple Michelson interferometer, the reference 

beam field Er(t) coherently combines with the sample arm field Es(t) and interferes to 
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form fringes. If Δl is the path length difference between two light beams, the interference 

signal can be expressed as 

𝐼0(𝑡) = |𝐸𝑟(𝑡) + 𝐸𝑠(𝑡)|
2 = |𝐸𝑟|

2 + |𝐸𝑠|
2 + 𝐸𝑟𝐸𝑠cos(2

2𝜋

𝜆
Δ𝑙),          (1.2) 

where the cosine term contains the interference information, and Δl suggests that the 

modulation frequency of the interference depends on the difference in path lengths 

between the two fields. It also shows that a sharp cosine envelope or a short time duration 

cosine term can resolve small changes in the path length. Therefore, depth information 

can be resolved with spatial resolution on the order of the wavelength. 

The axial resolution of OCT, lc, can be expressed based on the central wavelength 

and the bandwidth of the light source [81] 

𝑙𝑐 =
2𝑙𝑛2∙𝜆0

2

𝜋Δ𝜆
,                                              (1.3) 

where λ0 is the central wavelength of the light source, and Δl is the FWHM of the laser 

spectrum, known as bandwidth. Equation 1.3 clearly demonstrates the relationship 

between axial resolution and the laser source spectrum. Specifically, a larger bandwidth 

and smaller central wavelength results in a superior axial resolution. However, it is 

known that longer wavelengths of light can penetrate deeper inside biological tissue 

(within so called therapeutic window, which ranges between ~ 800 nm and 1300 nm), 

particularly wavelengths with low water absorption. However, longer wavelengths 

require significantly broader spectra to obtain similar axial resolutions and thus, there is 

a tradeoff between axial resolution and imaging depth. 
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1.4.1 Time domain OCT (TDOCT) 

The basic principle of the first generation OCT, which is termed Time Domain OCT 

(TDOCT), is to detect backscattered photons from a tissue of interest within a coherence 

length of the source using a two-beam interferometer, as shown in Fig. 1.2 [68]. A 

broadband low-coherent laser light source is split into two beams by a 50/50 beam splitter. 

The two arms are usually referred to as the reference arm, which has a mirror, and the 

sample arm, which is directed at the object of interest. The back-scattered light from the 

sample arm combines with the reflected light from the reference arm to generate the 

fringe. Because of the low coherence of the light source, interference will only occur 

when the optical path length difference between two arms does not exceed the coherence 

length of the laser source. The fringes are then recorded by a photodetector.   

 

Figure 1.2. Schematic of a conventional TDOCT system, ADC: Analog-to-digital card.  

 

In TDOCT, the mirror in reference arm is translated back and forth to measure the 

echo time delay of the back-scattered light from the sample (Fig. 1.2). Back scattered 
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light from the various depths is obtained at different times corresponding to the mirror 

movement, making the information time encoded. The interference signal at different 

transverse points of the sample is collected by scanning a pair of galvanometer-mounted 

mirrors. Thus, 3D cross-sectional images can be constructed. 

1.4.2 Fourier domain OCT (FDOCT) 

The next major development in OCT was improving the acquisition speed by 

eliminating the need for translating the reference arm to obtain depth information with 

the added benefit of improved detection sensitivity. This new OCT technique was termed 

Fourier Domain OCT (FDOCT) [82]. As with TDOCT, FDOCT also utilizes a 

broadband source, but now the depth information is spectrally encoded by the modulation 

frequencies of the interference spectrogram. FDOCT is further sub-divided into Spectral 

Domain OCT (SDOCT) and Swept Source OCT (SSOCT). 

1.4.3 Spectral Domain OCT (SDOCT) 

An SDOCT system is very similar to a TDOCT system. However, instead of a 

photodetector, the spectrum of the interference signal is detected by a grating-based 

spectrometer and a high-speed line-scan charge-coupled device (CCD) detector. Fig. 1.2 

shows an SDOCT schematic. After discarding the constants, the detected fringe signal 

can be expressed as [83] 

𝐼(𝑘) = 𝑠(𝑘)√𝐼1𝐼2cos(2𝑛𝑘Δ𝑥),                                 (1.4) 

where k=2π/λ is the wavenumber, λ is the wavelength, I(k) is the intensity of the 

interference signal in term of k, s(k) is the power spectrum of the light source (same for 

both of the reference arm and sample arm), I1 and I2 are the intensity of light from both 

arms, and 𝑛Δ𝑥  is the optical path length difference between two arms scaled for 
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refractive index n. By performing a Fourier transform on equation 1.4, the back scattered 

light intensity at each depth can be resolved.  

The sensitivity of OCT is given by 

𝑆 =
𝜂𝑃𝑇𝑒𝑥𝑝

ℎ𝜈
,                                                    (1.5) 

where η is the detector efficiency, P is the light power incident on sample, Texp is the 

exposure time, and hν is the photon energy. In SDOCT, the exposure time is 

approximately the same as axial scan time, Texp = Tascan. In TDOCT, light from different 

depths is detected sequentially, which means the exposure time of one axial scan is 

equally split on m positions (where m is the resolvable element in one axial scan), thus, 

the exposure time of one position is Texp = Tscan/m. Therefore, FDOCT has a significant 

advantage over TDOCT in terms of system detection sensitivity [84]. Currently, the A-

line speed of SDOCT is predominantly limited by the speed of CCD.  

 

Figure 1.3 Schematic of a typical SDOCT system. 
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1.4.4 Swept Source OCT (SSOCT) 

As I have described previously, the penetration depth of ballistic photons determine 

the effective imaging depth of an OCT system. However, in an FDOCT system, the full 

imaging depth also relies on how well the wavelength information is separated and 

sampled, which can be considered as the sampling frequency of the signal in equation 

1.4. The imaging depth of FDOCT in air, D,  has been derived as [85] 

𝐷 =
𝜆2

4𝛿𝜆
,                                                        (1.6) 

where λ is the central wavelength, and δλ is the wavelength sampling.  

Equation 1.6 clearly suggests that besides the central wavelength of the system, how 

well the wavelengths are sampled also affects the theoretical imaging depth. In SDOCT, 

the resolving capability is limited by the total number of pixels in the detector in the 

spectrometer. Currently, there are commercially available line-scan cameras with up to 

~16,000 pixels at line-scan speeds of 100,000 lines/s. However, these detectors are not 

cost-effective for the majority of applications. 

A swept source laser, which chirps the broadband light into very narrow line width 

pulses (≤ 0.1 nm) over time, has been utilized for OCT in swept source OCT (SSOCT). 

Similar to TDOCT and SDOCT, the light from a broadband swept source laser source is 

split into the sample arm and reference arm in an SSOCT system. The returning light 

from both arms is coupled into a 50/50 fiber coupler to form the interference fringes. 

Instead of using a CCD to record the fringes as in SDOCT, a balanced photodetector is 

used to record the light intensity over time, and the acquisition is precisely synchronized 

with the swept laser to obtain the spectral interferogram. The fastest speed of 

commercially available balanced photodetectors are in the order of GHz. Thus, one of 



12 
 

the advantages of SSOCT compared with spectroscopic SDOCT is the higher possible 

imaging depth. Moreover, ultrafast balanced photodetector are in order of magnitudes 

more cost effective than high-speed, high-resolution line-scan cameras. Moreover, 

SSOCT sources are primarily in the 1300 nm range, which provides greater depth 

penetration in tissue than the majority of SDOCT sources, which are in the 800 nm range. 

 

Figure 1.4 Schematic of a typical SSOCT system.  

 

1.4.5 Phase-resolved OCT (PhS-OCT) 

The typical axial resolution of OCT is at the micrometer level. However, by 

analyzing the phase information from interference signal, the sensitivity of OCT to detect 

sample displacement can reach nanometer scale, and PhS-OCT has been applied to 

various applications, such as cell biology, angiography, elastography, and more [86-90].  

The sensitivity of PhS-OCT measurements relies on the phase stability of the system, 

which mainly depends on the presence of mechanical moving parts in the system in 

addition to the inherent phase stability of laser source. Since TDOCT has an axially 

moving mirror in the reference arm, the phase stability of TDOCT is inferior to FDOCT. 
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In the case of SSOCT, a mechanical mirror sweeps inside the laser to generate the 

different narrow bands of light that ultimately form the broadband light. In an SDOCT 

system, there is generally no mechanical movement apart from the scanning mirrors, 

therefore, the phase stability of SSOCT is generally worse than SDOCT. Due to this 

reason, most of the early phase-resolved investigations utilized SDOCT, most commonly 

known as spectral domain phase microscopy (SDPM), which is capable of providing 

picometer scale sensitivity [86]. However, the A-line speed of SDOCT is limited by the 

speed of CCD camera, and thus, SDOCT is implemented in the wavelength range around 

800 nm due to the relatively high cost of high speed line-scan InGaAs cameras that are 

required to detect longer wavelengths. In order to take advantage of longer wavelengths 

that allow deeper penetration, phase resolved techniques have been implemented in 

SSOCT as well, even though the phase stability offered by SSOCT is lower compared to 

SDOCT mainly due to the instabilities in the swept laser source [91]. Therefore, in order 

to achieve adequate phase sensitivity, phase stabilized techniques have been developed 

and adopted into phase-resolved SSOCT systems [92].  

1.5 Optical Coherence Elastography (OCE) 

Optical Coherence Elastography (OCE) is a rapidly developing technique that 

focuses on the micro-scale assessment of tissue elasticity [93] and has potential to 

become useful in numerous clinical applications varying from ophthalmology to 

cardiovascular imaging [94-96]. OCE was introduced by Schmitt in 1998, who utilized 

OCT to measure the microscopic deformation of biological tissue under compressive 

stress induced by a piezoelectric actuator [97]. Two-dimensional cross-correlation 

speckle tracking measured the internal tissue displacement with micrometer-scale. This 
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work also provided the first demonstration for the in vivo application of OCE on human 

skin. 

Similar to the other elastography methods briefly introduced in section 1.3, a 

conventional OCE system is a combination of loading system that induces displacement 

in tissue, and an OCT system to image the deformation. By analyzing the tissue response 

to the excitation, biomechanical properties can be assessed by utilizing appropriate 

mechanical models. With the application of phase-solved OCT, the detection accuracy 

of OCE can achieve nanometer scale [90, 98-106]. Currently, OCE techniques are 

primarily based on three types of techniques for quantifying tissue biomechanical 

properties: 1) the local displacement or strain inside the tissue under compressive stress, 

2) the resonance frequency of the oscillation in tissue, 3) analyzing the propagation of an 

elastic wave. The focus of this dissertation is to quantify the biomechanical properties of 

cornea. Utilizing the first technique, the sample must be mechanically compressed, 

which is not very suitable for in vivo use. Nevertheless, compressional OCE has shown 

promise in research applications [107, 108]. Oscillations can be induced in tissue with 

nanoparticles in a magnetic field or by acoustic excitation. However, introducing 

nanoparticles into the cornea is not feasible for clinical applications and sound waves 

introduce complexity for quantitative biomechanical characterization because the 

geometry of the sample significantly determines how the sample responds to the sound 

waves [109-111]. Acoustic radiation force can also provide excitation, but requires a 

transmission medium such as a gel or direct contact with the cornea, which may not be 

suitable for live imaging [112]. Therefore, this dissertation is primarily focused on 

analyzing the propagation of an elastic wave in corneal tissue to obtain the quantitative 
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biomechanical properties of the cornea as the elastic wave can be induced completely 

noninvasively with a micro air-pulse [113-116].  

To study the biomechanical properties of the cornea, various dynamic OCE 

techniques have been developed. Qu. et al. utilized acoustic radiation force for excitation 

and phase-resolved OCT to image the corneal response [112]. Three dimensional 

elastograms of a healthy and a highly cross-linked cornea were obtained, and a partially 

stiffened region of a cornea was also resolved. However, the whole cornea was 

submerged in liquid or ultrasound gel, which limits the application of this method for 

live imaging. Song et al. introduced using single-shot laser to induce the displacement in 

cornea, which was imaged by OCT [117]. The propagation speed of the induced elastic 

wave was successfully estimated, which can be further converted into Young’s modulus 

by appropriate mechanical models. Nonetheless, an ultraviolet light source (263 nm) was 

used to induce the elastic wave in cornea. Considering the laser safety exposure limits 

for the cornea, there was a tradeoff between excitation power and the wave amplitude. 

In this study, the largest amplitude was achieved as ~80 nm, and thus, the wave only 

propagated a very short distance, which means that this method may not be suitable for 

providing the elasticity information of the whole cornea. Mechanical excitation was 

introduced by Manapuram et al. [90]. A metal wire with a rounded tip was attached to a 

speaker to excite the mouse cornea periodically in vivo. A 2-D map of the propagation 

speed of the elastic wave, as well as the amplitude attenuation were obtained. However, 

this method required physical contact on the cornea. Thus, an OCE system with the 

ability of noncontact, noninvasive, minimal amplitude excitation, high sensitivity, and 

fast A-line speed is highly desired in the field of corneal biomechanics.  
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1.6 Organization of this dissertation 

This dissertation is focused on the development of novel OCE techniques to 

noninvasively assess the biomechanical properties of cornea with high resolution and 

their applications.  

In chapter 2, the biomechanical properties of cornea in vivo were characterized by 

OCE with a focused air-pulse excitation. In chapter 3, The OCE system and measurement 

methodology were improved to assess the changes in the biomechanical properties of 

mouse cornea in vivo. In chapter 4, the localized air-pulse method was applied to map 

the stiffness of cornea before and after cross-linking and after spatially heterogeneous 

cross-linking. In chapter 5, a faster and more quantitative method was developed to 

estimate the overall elasticity of cornea at different IOPs. In chapter 6, an algorithm to 

differentiate samples of the same measured elasticity is detailed. In chapter 7, a method 

with the capability to spatially map the shear elasticity of the cornea and determine the 

shear anisotropy is described. In chapter 8, a low-cost alternative interferometry 

technique is introduced for elastographic assessment and compared with OCE. In chapter 

9, the conclusion of this dissertation is presented with the implications of future work.  
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CHAPTER 2 – Characterizing the biomedical properties of tissue mimicking 

phantoms, ocular model, and mouse cornea in vivo using OCE. 

 

In this chapter, a phase-stabilized swept source optical coherence tomography system 

was utilized to detect the propagation of low-amplitude (micron-level) elastic waves in 

tissue mimicking gelatin phantoms, an ocular phantom, and mouse corneas in vivo, which 

was induced by a focused air-pulse delivery system. The group velocity of the wave 

propagation in tissue mimicking phantoms was estimated and further converted to 

Young’s modulus using the mechanical model of a surface wave. The measured group 

velocity was faster in higher concentration of gelatin phantoms, and the estimated 

Young’s moduli of these phantoms matched the stiffness as assessed by mechanical 

testing. For the ocular model and cornea samples, 2D maps of the elastic wave 

propagation time delay were plotted, which potentially can be converted to elasticity 

maps with appropriate reconstruction models. Therefore, this non-contact measurement 

technique utilizes low-force tissue excitation that potentially can be used to assess the 

biomechanical properties of ocular and other delicate tissues in vivo. 

2.1 Method 

2.1.1 System setup 

Elastic waves are induced in the sample using a home-built air-pulse delivery system 

that produces a focused air stream with a duration of <1 ms [118]. The spatial-temporal 

profile of the air pulse is characterized as a Gaussian shape. Briefly, the system employs 

an air gate and a control unit to provide the short-duration air–pulse. An extra channel 

for signal output from the control unit allows proper synchronization with the PhS-
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SSOCT measurement system. The air source pressure can be obtained from a pressure 

gauge, and the air-pulse is expelled out of a cannula port with a flat edge and inner 

diameter of ~150 μm. The localized air-pulse excitation can be precisely positioned with 

a 3D linear micrometer stage. This enables a highly localized noncontact excitation for 

studying the biomechanical properties of the cornea completely noninvasively when 

combined with OCT. 

A PhS-SSOCT imaging system was combined with this air-pulse system to detect 

air-pulse elastic waves in the sample. The schematic of the experimental setup for the in 

vivo study of mouse cornea is shown in Fig. 2.1. Briefly, the PhS-SSOCT system was 

comprised of a broadband swept laser source (HSL2000, Santec, Inc., USA) with the 

central wavelength of 1310 nm, the bandwidth of ~150 nm, the scan rate of 30 kHz, and 

the output power of ~36 mW. Interference was produced by the back-scattered light from 

the sample and reflected light from the reference arm, and the fringes were detected by 

a balanced photodetector. A fiber Bragg grating was used for triggering the A-scan 

acquisition to reduce the phase noise. Details of the system description can be found in 

previous publications [90-92]. The axial resolution of the system was ~11 μm, and the 

phase stability of the system was experimentally measured to be ~16 mrad 

(corresponding to ~3.3 nm displacement in air). The air-pulse system generated a TTL 

signal which was recorded by the analog-to-digital converter (ADC) to synchronize the 

PhS-SSOCT system and the focused air-pulse delivery system. 

2.1.2 Experimental materials 

In order to simulate soft tissue samples of controlled stiffness, gelatin phantoms of 

five different concentrations (8%, 10%, 12%, 14% and 16% w/w) were prepared. Gelatin 
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powder (PB Leiner, 250 Bloom / 8 Mesh) was mixed with distilled water at 60°C until 

all granules were dissolved. Special care was taken while stirring the mixture to avoid 

the formation of air bubbles. The mixture was poured into a round mold to create a disk 

that was ~11 mm thick and ~33.5 mm in diameter (Fig. 2.2). The hot gelatin was cooled 

in a refrigerator (~ 10°C) for 30 minutes [119]. The solidified gel formed a solid slab that 

served as a tissue-mimicking sample with controlled elastic properties. During phantom 

experiments, the distance between the excitation position and the first measurement 

position was greater than 1 mm, and 1 mm between two adjacent measurement positions. 

 

Figure 2.1. Schematic of the system setup used for in vivo study of the mouse cornea 

biomechanical properties. 

 

A contact lens was used an analog of the cornea to evaluate the feasibility of the OCE 

measurement technique on a thin curved sample. The contact lens was a commercially 

available lens (Bausch & Lomb, Slisoft + 12.00D, 100% Silicone) that has a shape 
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similar to the cornea and has homogeneous optical and mechanical properties. During 

the experiments, the contact lens was fixed on a flat plate, and the space between the 

contact lens and the plate was filled with 1X Phosphate buffered saline (PBS) simulating 

the aqueous humor (Fig. 2.3). 

A custom-made silicone model of an eye was also used to further demonstrate the 

feasibility of the OCE measurement technique for assessing corneal biomechanical 

properties (Fig. 2.4). This model had an anterior surface with a similar curvature and size 

as the human eye. However, it had homogeneous optical and mechanical properties. 

 

Figure 2.2. (a) Physical dimension of the agar phantoms. (b) Excitation (red) and measurement 

positions (black).  
 

In vivo measurements were performed on the corneas of three anesthetized mice (15-

22 months old, Fig. 2.5). The cornea was kept hydrated by the periodical application of 

0.9% saline solution every 2 minutes during experiments. All the animal manipulation 

procedures were approved by the Animal Care and Use Committee of the University of 

Houston. 
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Surface waves were excited with an air pressure of ~10 Pa for the gelatin phantoms 

and silicone eye model, ~2.2 Pa for the contact lens, and ~5.9 Pa for mouse corneas in 

vivo. These pressures were chosen to ensure the amplitude of the induced wave was large 

enough to be detected without causing any damage to the sample. During all experiments, 

the distances between the tip of the air-pulse delivery system port and the sample surface 

were kept within 0.3 mm, and the surface waves were monitored in the sample within 

the anterior 11 μm of the sample surface. Our investigation has shown that the air 

pressure of the system output remains relatively stable with the distance change within 

10 mm between the port tip and the sample surface [118]. M-mode imaging, which is 

holding the OCT probe beam and acquiring data over time, was performed at different 

transverse positions (M-B-mode scanning). The spatial distribution of the excitation 

position and OCE measurement positions on the samples are shown in Fig. 2.2 and Fig. 

2.5. The distance between the excitation point and the first measurement point was 

greater than 1 mm. The distance between two adjacent recording positions was 1 mm 

during the gelatin phantom, contact lens, and silicone eye model studies, and 0.3 mm 

during in vivo studies. 
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Figure 2.3. Experimental setup for contact lens experiments. 

 

 

Figure 2.4. Image and physical of the silicone eye model in (a) top view and (b) side view. 
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Figure 2.5. (a) Excitation and measurement locations in mouse cornea in vivo. (b) 3D OCT image 

showing relative position of the air-pulse port and the mouse cornea in vivo. The 

long-axis scale was 4.8 mm, the short-axis was 4.4 mm, and the z-axis was 2.2 mm. 

 

2.1.3 Quantification methods 

To calculate the amplitude of the surface waves, d(t), from phase measurements, ϕ(t), 

the following equation was used [102] 

    𝑑(𝑡) =
𝜆

2𝜋
× 𝜙(𝑡),                                                  (2.1) 

where λ was the central wavelength of the OCT system. 

The velocity of the elastic wave c was calculated as 

𝑐 =
𝑑

𝑡
,                                                             (2.2) 

where d was the distance between the measurement points, and t was the time delay of 

the elastic wave between two measurement positions. The displacement peak was used 

to calculate the time delay. The time delay was defined as the difference between the 
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time of the onset of air pulse and the time of surface wave arrival measured at the main 

peak. The calculations were based on each pair of adjacent points. Therefore, the velocity 

was calculated as 1 mm (0.3 mm in mouse cornea in vivo study) divided by the elastic 

wave propagation time delay difference between two adjacent points. 

Assuming that the phantoms were isotropic homogeneous elastic materials, the 

Young’s modulus, E, of the phantoms can be calculated based on the wave velocity c as 

follows [120] 

𝐸 = 2𝜌(1 + 𝑣) ∙ [
𝑐∙(1+𝑣)

0.87+1.12𝑣
]2,                                    (2.3) 

where ρ was the mass density and v was the Poisson’s ratio of the medium. Although this 

equation was derived for a half-space structure, it was utilized for a first-order 

approximation of Young’s modulus of the gelatin phantoms based on the group velocity 

of the surface waves measured in the experiment. 

For the studies on contact lens, silicone eye model, and in vivo mouse cornea, the 

time delay was calculated relative to the position that was the nearest to the estimated 

excitation point and 2D rendered maps of time delay were generated. 

2.2 Results and discussion 

2.2.1 Gelatin Phantom  

Figure 2.6 shows typical amplitudes of the surface waves propagating in the 14% 

gelatin phantom recorded at various measurement locations. The data clearly 

demonstrate that the amplitude decreases and the wave propagation time delay increases 

at measurement positions further from the excitation. While the spatial-temporal profile 

of the air pulse was characterized as a Gaussian pulse, it was not normal to the specimen 

surface due to the size of the OCT scan lens. It is possible that the angular separation of 
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the air pulse and the measurement axis (approximately 30 degrees in this experiment) 

may influence the shape and force of the stimulus, thereby producing additional 

frequencies (the small amplitude vibration before the large deformation). 

 

Figure 2.6. Responses recorded at various measurement points in 14% gelatin phantom. 

 

Figure 2.7 shows the velocity of the surface waves measured in gelatin phantoms of 

different concentrations. The data indicates that the wave propagation group velocity 

increased with increasing concentration of gelatin, corresponding to a positive 

correlation between sample stiffness and gelatin concentration, which was consistent 

with previous work [102]. A typical delay map of 12% gelatin phantom is shown as Fig. 

2.8, which also indicates that the wave propagation time delay increased for further OCE 

measurement positions. 
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Figure 2.7.  The wave propagation group velocity as a function of gelatin concentration (n = 9 

for each concentration). 

 

The Young’s moduli of the gelatin phantoms are presented in Fig. 2.9. For 

quantification, the density (ρ) of gelatin phantoms was assumed to be 1000 kg/m3 and a 

Poisson’s ratio (v) of 0.5 was used to obtain Young’s modulus (E) from equation (2.3) 

[121]. The estimated Young’s moduli of 8%, 10%, 12%, 14% and 16% gelatin phantoms 

were 12.2±0.6 kPa, 17.5±1.6 kPa, 25.1±3.8 kPa, 36.1±4.0 kPa, and 48.8±8.2 kPa, 

respectively. Additionally, a uniaxial mechanical testing system (In-Spec 2200, Instron, 

Inc., USA) was used to measure the Young’s moduli of gelatin phantoms of the same 

concentrations (Fig. 2.9). It can be easily seen that the estimated Young’s moduli 

obtained from the wave velocity using OCT are reasonably close to those measured by 

the uniaxial testing system. The small differences may be attributed to the fact that the 

surface wave equation does not take account of the finite thickness of the phantom [122].  
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Figure 2.8. Typical delay map measured in 12% gelatin phantom. 

 

2.2.2 Contact lens 

The experiment with contact lens was performed with 0.9% saline solution placed 

between the contact lens and the supporting plate. Fig. 2.10 shows 2D rendered map of 

time delay of the elastic waves in the contact lens. The result shows that the delay 

increases with greater distance in the contact lens and then decreases for OCE 

measurement positions beyond the apex. 
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Figure 2.9. Young’s moduli of gelatin phantoms calculated from the air-pulse induced elastic 

wave group velocity and as measured by the uniaxial mechanical testing system. 

 

There are several possible explanations for the observed difference in the delay 

distribution in phantoms and in the contact lens. One possibility is that the presence of 

the liquid on the lens posterior surface and the geometry of the lens produce a difference 

in how the energy propagates within the medium. For instance, the pressure pulse 

generates P-waves, or compression waves that propagate much faster in the saline 

solution with low attenuation than the elastic waves in the cornea or lens material. As a 

result, these waves could produce additional sources of mechanical excitation in the lens 

after reflection from the hard surface. Therefore, the complex time delay distribution in 

the contact lens could be explained by the interaction of the different types of the waves. 

It is clear, however, that the presence of the liquid on the lens posterior surface 
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complicates the wave pattern similar to what we observed in in vivo studies (see Fig. 

2.11). 

 

Figure 2.10.  2D rendered graph showing the time delay distribution on the surface of contact 

lens with 0.9% saline below the lens. 

 

2.2.3 Silicone eye model and in vivo study of 18-month-old mouse cornea 

Figures 2.11(a) and 2.11(b) show the OCT structural images and 2D rendered maps 

for the time delay of the elastic waves measured in the silicone eye model and the mouse 

cornea in vivo, respectively. In Fig. 2.11(a), the time delay of the elastic wave increases 

as distance increases across the thick and homogeneous silicon layer, which is different 

from what is observed in the real mouse eye. In Fig. 2.11(b), similar results as Fig. 2.10 

can be observed: the time delay of elastic waves increases with the increasing distance 

before reaching the corneal apex, but decreases with greater distance after crossing the 

apex. 
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The distribution of time delay before the elastic waves reach the apex can be used to 

quantify the wave velocity. For the 18-month-old mouse cornea, the velocity of elastic 

wave was calculated as 0.92 m/s to 7.42 m/s at different lateral positions due to 

heterogeneity of the tissue, which are potentially useful for the estimation of cornea 

elasticity. Additional work is required to develop a quantitative model to estimate corneal 

elasticity and to obtain corneal elastography, because corneal tissue is inhomogeneous 

in both structure and composition. Equation 2.3, was developed for isotropic 

homogenous materials, may not be proper to be used for the tissues like the cornea, which 

are comprised of multiple layers and have curved surfaces. 

 

Figure 2.11. The measured time delay of elastic waves on (a) silicone phantom eye model and 

(b) 18-month-old mouse cornea in vivo. 

 

This method does not involve tools that disrupt tissue or physically contact the eye. 

The displacement caused by air-pulse excitation on cornea in these experiments is on the 

order of micrometers, which is much smaller than the indentation produced by the air 
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puff used in clinical measurement of intraocular pressure (tonometry). Therefore, this 

approach is less invasive than current clinical procedures and suitable for delicate tissues 

or other sensitive materials. The high sensitivity of the PhS-SSOCT system enables 

accurate detection of the displacement of the cornea. These advantages allow the 

dynamic assessment of elastic waves propagating in ocular tissues and make it possible 

to estimate their biomechanical properties in vivo. 

However, there were some major limitations of this methods. The distance between 

two measurement positions was 1mm for non-biological tissue and 0.3 mm for mouse 

cornea, which governs the spatial resolution of the quantified biomechanical property of 

samples. Meanwhile, the total data acquisition time for one sample was between 30 mins 

to 1 hour, depended on the total positions to be measured. The lack of ability to provide 

the localized elasticity information limited this method from mapping the elasticity of 

sample with high resolution, and the relatively long data acquisition time limited this 

method from clinical applications.  

2.3 Conclusion 

In this chapter, I have demonstrated that PhS-SSOCT can be used to monitor and 

assess elastic waves that were induced by a focused air-pulse in tissue-mimicking 

phantoms, contact lenses, a silicone eye model, and the mouse cornea in vivo. For the 

phantoms, Young’s modulus can be estimated based on the surface wave velocity. For 

the ocular models and tissue samples evaluated here, 2D rendered maps of elastic wave 

propagation time delays were plotted. This was the first study demonstrating the 

possibility of completely noninvasive excitation and detection of surface waves in vivo 

using optical coherence elastography. With further development, this noncontact optical 
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method can be used to study the stiffness of delicate tissues such as the cornea and sclera 

of the eye, and the 2D rendered time delay maps could be translated to an elasticity map. 
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CHAPTER 3 – Air-pulse optical coherence elastography for assessment of the 

biomechanical property in mouse cornea of different ages in vivo 

 

In this chapter, we demonstrate the use of PhS-SSOCE to assess the relaxation rate 

of an air-pulse induced deformation in tissue-mimicking gelatin phantoms of various 

concentrations and mouse corneas of different ages in vivo. The air-pulse and the optical 

beam were co-focused, which enables this method to assess localized biomechanical 

properties. The results show that the relaxation rate can be quantified and is different for 

phantoms of varying gelatin concentrations and mouse corneas of different ages. The 

results indicate that gelatin phantoms with higher concentration as well as older mouse 

corneas have faster relaxation rates indicating stiffer material. This noncontact 

measurement technique utilizes low displacement amplitudes (µm scale) and, therefore, 

can be potentially used to study the localized biomechanical properties of ocular and 

other sensitive tissues. 

3.1 Introduction 

There is appreciable, but indirect evidence to suggest that the biomechanical 

properties of the cornea vary with age. For example, younger corneas have greater risk 

of both iatrogenic ectasia and keratoconus [123, 124], and the incidence of keratoconus 

decreases with age [125]. Research has shown that the cornea stiffens over age based on 

the increase of Young’s modulus [126], ocular rigidity coefficient [127, 128], and 

cohesive tensile strength [129]. However, all these parameters were measured either ex 

vivo or required injection of a balanced salt solution through the limbus into the anterior 

chamber, which is invasive. Thus, a method that can rapidly assess the biomechanical 
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properties of cornea noninvasively would provide a more accurate measurement of the 

age-related changes in corneal stiffness.  

In this chapter, the dependence of the relaxation rate of deformation created by a 

focused air-pulse in tissue-mimicking gelatin phantoms of various concentrations and 

mouse corneas of different ages in vivo using phase-stabilized swept source optical 

coherence elastography (PhS-SSOCE) was investigated. This parameter was highly 

depended on tissue elasticity and can potentially be used to quantify biomechanical 

properties of the cornea and other tissues. 

3.2 Materials and Method 

In order to simulate soft tissues of controlled stiffness, gelatin phantoms of varying 

concentrations (8, 12, and 16% w/v) were prepared. Description of the phantom 

preparation procedure was described in the previous chapter. The geometry of the tissue-

mimicking is shown in Fig. 3.1(a). 

In vivo experiments were performed on the corneas of healthy mice of different ages 

(3 - 12 months old). All animal manipulation procedures were approved by the Animal 

Care and Use Committee of the University of Houston. 

A low amplitude (≤ 10 µm) surface deformation was induced by a home-built air-

pulse delivery system. The details of this system can be found in our previous publication, 

as well as chapter 2.1.1 [118]. A channel for signal output from the control unit of the 

air-pulse delivery system enabled synchronization with the PhS-SSOCT system. The 

localized air-pulse excitation was precisely positioned with a 2D motorized linear stage 

(UTS100CC, Newport Corp, USA) in conjunction with a manually controlled vertical 

stage.  



35 
 

The PhS-SSOCE imaging system was combined with the air-pulse system to detect 

the surface deformation in the sample. Details of the system have been described in 

Chapter 2. 

During OCE measurements, the air-pulse and the OCT sample beam were co-focused 

and the distance between the tip of the air-pulse port and the surface was approximately 

300. Previous work has shown that the air pressure of the system output remains 

relatively stable up to 10 mm between the port tip and the sample surface [118]. M-mode 

imaging at different positions was utilized for OCE measurement. The measurement 

positions were chosen randomly near the middle region of the phantom and randomly 

chosen near the apex during in vivo experiments. The air pressure on the sample surface 

was between 1.5 Pa to 2.4 Pa during the gelatin phantom measurements and 2.4 Pa during 

the in vivo experiments to ensure an unwrappable surface deformation and no damage to 

the sample.  

To estimate the relaxation rate of the air-pulse induced deformation, the phase data 

was first converted to displacement by equation 2.1 [90]. The displacement profiles were 

then fitted by an exponential function: 𝑦(𝑡) = 𝑎𝑒−𝑏𝑡, where b was the relaxation rate to 

be determined by fitting. The measurement was repeated for 5 randomly selected 

positions near the apex of the cornea. 
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Figure 3.1 (a) Dimensions of the gelatin phantoms. (b) Five measurement positions near the 

center of phantom were randomly selected. 

 

3.3 Results 

Fig. 3.2 shows the displacement amplitude measured in 16% gelatin phantom for 

various air-pulse excitation pressures. While changing the excitation pressure to 1.5 Pa, 

1.95 Pa, and 2.4 Pa, the relaxation rate was measured to be 2.80 s-1, 2.74 s-1, and 2.74 s-

1, respectively. This result indicated that the displacement amplitude increased with 

increasing excitation pressure, but relaxation rate remained relatively unchanged.  
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Figure 3.2. Relaxation rate of 16% gelatin phantom with various air-pulse excitation pressures. 

 

Fig. 3.3 shows results from 8%, 12%, and 16% gelatin phantom with 1.5 Pa air-pulse 

excitation, the relaxation rates were measured to be 1.42 s-1, 2.11 s-1, and 2.80 s-1, 

respectively. The data show that displacement amplitude decreased and relaxation rate 

increased with increasing gelatin concentration.  

Fig. 3.4 shows the relaxation rate measure from three different concentrations of 

gelatin phantoms. It clearly indicates that the relaxation rate is faster in higher 

concentration gelatin phantom, which indicates that the relaxation rate is faster in stiffer 

material.  

In vivo experiments were performed on corneas of mice of five different ages. A 

representative signal from a 12-month-old mouse cornea in vivo is presented in Fig. 3.5.  
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Figure 3.3. Relaxation rate of 8%, 12%, and 16% gelatin phantom with 1.5 Pa air-pulse 

excitation 

 

Figure 3.4.  Relaxation rate of gelatin phantoms of various concentrations. Three samples were 

measured for every concentration with five different positions in every sample. 
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Figure. 3.6 shows the relaxation rate measured on mouse corneas of ages of 3 months, 

4 months, 6 months, 8 months, and 12 months, which were 0.81±0.22 s-1, 0.87±0.18 s-1, 

1.14±0.26 s-1, 1.21±0.23 s-1, and 1.58±0.25 s-1, respectively. The results clearly show that 

the relaxation rate was faster in older mouse corneas. 

 

Figure 3.5. Sample signal from 12-month-old mouse in vivo. 
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Figure 3.6. Relaxation rates of the mouse corneas of different ages in vivo.  

 

3.4 Discussions 

During the gelatin phantom experiments, the distance between the air-pulse port and 

the surface of the phantom and the incident angle relative to the surface normal were 

easily controlled. Fig. 3.2 clearly shows that the stimulation pressure did not change the 

relaxation rate in the same sample. Fig. 3.3 indicates the relaxation rates were higher in 

stiffer gelatin phantoms (higher gelatin concentration). 

During the in vivo experiments, the distance and the incident angle were not as 

consistent as in the phantom measurements due to the breathing/heart rate-associated 

body motion. This may result in increased variation for the relaxation rate measurement. 

From Fig. 3.6, it can be seen that the relaxation rates of all measurements, regardless of 

the mouse age, have a higher standard deviation compared with the measurement in 
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gelatin phantoms, shown in Fig. 3.4. However, these in vivo results clearly show that the 

relaxation rate of the mouse cornea increases with age. 

Similar methods have been described by Dorronsoro et al. [130] and Alonso-Caneiro 

et al. [131]. However, these methods require a significantly larger corneal deformation 

amplitude because they utilize the OCT structural image, not phase information. This 

might result in a nonlinear component of the measured corneal biomechanical properties. 

The method presented here utilized the optical phase information to assess the tissue 

deformation with superior displacement sensitivity (nanometer level), which greatly 

reduces the required corneal displacement (micrometer level). In comparison with elastic 

wave based methods, this approach requires information only from the point of excitation, 

and hence provides advantages in terms of simplicity, time, and localization. 

As we have demonstrated previously, relaxation rate depends on both the elastic and 

viscous properties of the tissue [132]. The influence of viscosity was not considered here, 

and additional studies are needed to investigate the influence of viscosity on the 

relaxation rate. In general, viscosity should decrease relaxation rate and the amplitude of 

displacement. Because the duration of the air-pulse was shorter than 1 ms, the pulse 

caused a dynamic response from the tissue, and this response could significantly affect 

the relaxation rate observed in the experiment. For translating the observed relaxation 

rate into quantitative mechanical properties of tissue, such as elastic and viscous moduli, 

a more sophisticated viscoelastic model is required.  

3.5 Conclusion 

These results demonstrate the use of phase stabilized swept source OCE (PhS-

SSOCE) to characterize the relaxation rate of surface displacement in tissue mimicking 



42 
 

phantoms and mouse corneas of various ages in vivo. By quantifying the relaxation rate 

of the displacements, the results show that PhS-SSOCE was capable of distinguishing 

various concentrations of tissue mimicking gelatin phantoms and ages of mouse corneas. 

Because both the stimulation and imaging modalities were noncontact, this method is 

potentially useful for the study of the biomechanical properties of ocular tissues in a 

clinical setting. Meanwhile, the relaxation rate was measured locally, and this method is 

potentially capable of mapping the biomechanical properties of a sample. However, 

converting the relaxation rate to quantitative biomechanical parameters is still a 

challenge. 
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CHAPTER 4 – Elasticity localization after partial riboflavin/UV-A corneal 

collagen cross-linking in the rabbit using optical coherence elastography  

UV-induced corneal collagen cross-linking (CXL) is a promising treatment for 

keratoconus that stiffens the cornea and prevents further degeneration. Optimal CXL 

treatments would be customized by considering pre-existing corneal biomechanical 

properties and would consider the effects of CXL, but this requires the capability to 

noninvasively measure corneal biomechanical properties. In this chapter, we 

demonstrate that PhS-SSOCE can spatially resolve transverse variations in corneal 

stiffness. Similar to the previous chapter, low amplitude (≤ 10 µm) deformations in the 

samples were induced by the focused air-pulse and were detected the by PhS-SSOCT 

system. As discussed in the previous chapter, converting the relaxation rate into Young’s 

modulus is still a challenge. Thus, the damped natural frequency (DNF) was assessed 

because it has a linear relationship with the square root of Young’s modulus. A 2D grid 

of measurements was taken and the DNF of the various transverse locations of a 

heterogeneous phantom revealed the stiffness heterogeneity. After validation on the 

phantoms, similar OCE measurements were made on partially CXL in situ rabbit corneas. 

The results showed that this technique was able to clearly distinguish the virgin and CXL 

regions of the cornea, where CXL increased the DNF of the cornea ~168%. Due to the 

noncontact nature and minimal excitation force, this technique may be potentially useful 

for assessing corneal biomechanical properties in vivo. 

4.1 Introduction 

Riboflavin/UV-A CXL is an emerging clinical treatment for keratoconus that is 

intended to increase corneal stiffness and thereby defer further degeneration [133, 134]. 
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The current clinical CXL protocol is uniform despite individual disease presentation or 

severity since the mechanism by which CXL stiffens corneal tissue is not yet fully 

understood. However, an optimal treatment would consider pre-existing biomechanical 

properties and would incorporate the effects of the CXL treatment itself. 

The ORA and CorVis are commercially available clinical devices that can measure 

the differences in the biomechanical properties between healthy and keratoconic corneas 

[135-137]. However, there is conflicting evidence on whether they can detect stiffness 

changes in the cornea after CXL [138-141].  

While the local mechanical anisotropy and microstructure of the cornea have been 

studied previously, there have been limited investigations that have quantified the spatial 

elasticity heterogeneity of the cornea, particularly after CXL [96, 107, 142-148]. All of 

the previous techniques are either destructive or contact-based, restricting their use for 

in vivo investigations. A noncontact technique that can obtain the local biomechanical 

properties of the cornea would overcome these limitations and provide a deeper 

understanding of the dynamics of local corneal biomechanical properties, which in turn 

could provide a basis for customized therapies, such as CXL [149]. 

In this work, we have utilized micro air-pulse induced deformations to spatially 

characterize the biomechanical properties of partially CXL corneas. The low amplitude 

(micrometer-scale) displacements were detected by a home-built phase-stabilized swept 

source optical coherence tomography (PhS-SSOCT) system, and the relaxation process 

of the local deformations was modeled by a simple kinematic model. The DNF, which is 

well correlated with Young’s modulus, was quantified utilizing the kinematic model and 

was mapped to reveal the localized stiffness of the corneas [150, 151]. 
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4.2 Materials and Method 

4.2.1 Experimental materials and system setup 

The details of the OCT system can be found in chapter 2 and our previous publication 

[91]. The experimental setup is shown in Fig. 4.1. 

Preliminary experiments were conducted on tissue-mimicking agar phantoms to 

determine the feasibility of air-pulse OCE to spatially map the biomechanical properties 

of the cornea. Homogeneous agar phantoms of various concentrations (1% and 2% w/w) 

were made by standard methods and cast in regular culture dishes with diameter of 50 

mm and height of 11 mm. OCE measurements (n=21 for each position) were made every 

1 mm over a 2x2 mm region on the homogeneous phantoms as shown in Fig. 4.2(a). To 

demonstrate the spatial resolving ability of air-pulse OCE, heterogeneous phantoms were 

constructed as illustrated in Fig. 4.2(b). Here, a 2D grid of OCE measurements (n=21 at 

each position) was taken every 1.125 mm over a 9x9 mm region. To relate the DNF of 

the relaxation process in the phantoms to elasticity, uniaxial mechanical compression 

testing (Model 5943, Instron Corp., MA) was performed on homogenous phantoms of 

each concentration (n=4 for each concentration). Briefly, the phantoms were compressed 

at 2 mm/min after a pre-load of 0.04 N was applied. The test was stopped when the strain 

reached 0.2. The Young’s modulus was then calculated from the slope of the measured 

stress-strain curve at strain=0.1 [122]. 
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Figure 4.1 Schematic of experimental setup.  

 

 

Figure 4.2.OCE measurement methods for the (a) homogeneous phantoms, and (b) 

heterogeneous phantom. The darker region in (b) was 2% agar (w/w) and the lighter 

region was 1% agar (w/w). The yellow dots indicated the measurement positions.  
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CXL was induced on all but a central 2 mm diameter circle of fresh mature rabbit 

corneas (n=4, Pel-Freez Biologicals, AR) to induce a spatial variation of stiffness as 

depicted in Fig. 4.3. An additional sample was used for control measurements where 

OCE measurements were taken before and after traditional CXL. Apart from the foil in 

the partially CXL samples, the CXL procedure mimicked the standard clinical CXL 

protocol in both cases [133]. The epithelium was removed with a blunt surgical 

instrument. A 0.1% riboflavin in 20% Dextran solution was applied every 5 minutes for 

30 minutes followed by 30 minutes of UV irradiation (365 nm, 3 mW/cm2, 10 mm spot 

diameter). During irradiation, the riboflavin solution was instilled every 5 minutes as 

well. As the IOP can have a profound influence on the measured elasticity of the cornea 

[152], the IOP was artificially controlled at 15 mmHg using a previously published IOP 

control system [153]. 

 

Figure 4.3. OCE measurement methods for the corneas. Central brown circle indicates the 

masked (untreated) area. Yellow points indicate measurement locations. The 

remaining area of the cornea was CXL treated.  
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The micrometer-scale displacements were induced by a home-built micro air-pulse 

delivery system, which has been described in Chapter 2 [118]. Multiple M-mode images 

(n=21) were acquired every 0.5 mm (1 mm for the control agar phantom samples) over 

a 4x4 mm grid centered at the corneal apex. The output air-pulse pressure applied to the 

cornea surface was ~2 Pa. The raw unwrapped temporal phase profiles from the corneal 

surface were converted to displacement, y(t), by equation 2.1 [102].  

4.2.2 Quantification methods 

The relaxation process of the displacement was modeled by the following simple 

kinematic differential equation [136, 151] 

𝑚
𝑑2𝑦(𝑡)

𝑑𝑡2
+ 𝑐

𝑑𝑦(𝑡)

𝑑𝑡
+ 𝑘𝑦(𝑡) = 0,                                   (4.1) 

where m was the equivalent mass, c was the viscosity coefficient, and k was the 

equivalent spring mass. Two parameters were introduced to simplify the solution and 

subsequent analysis:𝜉 = 𝑐/2√𝑚𝑘 was the damping ratio and𝜔 = √𝑘/𝑚 was the DNF 

of the system. Substituting these two parameters into (4.2) yields 

𝑑2𝑦(𝑡)

𝑑𝑡2
+ 2𝜉𝜔

𝑑𝑦(𝑡)

𝑑𝑡
+ 𝜔2𝑦(𝑡) = 0.                               (4.2) 

The analytical solution of equation 4.2 depends on the value of ξ: 

1. 𝑦(𝑡) = 𝐴(1 + 𝑏𝑡)𝑒−𝜔𝑡, when ξ = 1; 

2. 𝑦(𝑡) = 𝑒−𝜉𝜔𝑡[𝐴𝑐𝑜𝑠(𝑡𝜔√1 − 𝜉2) + 𝑏𝑠𝑖𝑛(𝑡𝜔√1 − 𝜉2)], when 0 < ξ < 1; 

3. 𝑦(𝑡) = 𝑒−𝜉𝜔𝑡(𝐴𝑒𝑡𝜔√𝜉
2−1 + 𝐵𝑒−𝑡𝜔√𝜉

2−1), when ξ > 1.  

Here, A and B were the parameters to be determined by fitting. From the exponent forms 

of the solutions to equation 4.2, ω can also be described as the displacement recovery 

process relaxation rate and was obtained by least-squares variance-weighted (robust) 
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fitting to the appropriate solution to equation 4.2 with the curve-fitting toolbox in Matlab. 

The DNF is linearly related to square root of Young’s modulus and thus, can be used to 

characterize stiffness [150, 151]. 

4.3 Results 

4.3.1 Tissue-mimicking agar phantoms 

In the agar phantom samples, ξ was found to be less than 1 during fitting. Therefore, 

the relaxation process was fitted to the second solution of equation 4.2. Fig. 4.4 shows 

the DNF maps for the (a) homogeneous 1%, (b) homogeneous 2%, and Fig. 4.5 shows 

the DNF map of the heterogeneous phantom simulating the spatially selective CXL 

procedure. The mean DNFs for the homogeneous 1% and 2% phantoms were 1.16±0.04 

and 2.99±0.07 kHz, respectively, with n=9 OCE measurement positions for both 

concentrations. In the heterogeneous phantom, the mean DNFs for the 1% and 2% 

regions were 1.16±0.05 and 3.02±0.06 kHz with n=24 and 57 OCE measurement 

positions, respectively. To test whether the corresponding concentrations from the 

phantoms types were similar, a Mann-Whitney test was performed because all the data 

sub-sets did not pass Shapiro-Wilk tests for normality. The results showed that DNFs of 

the 1% and 2% concentrations were not significantly different between the homogeneous 

and heterogeneous phantoms (P=0.73 and 0.3 for the 1% and 2% concentrations, 

respectively). Fig. 4.6 plots the square root of Young’s modulus as obtained by uniaxial 

mechanical compression testing and the DNFs of the phantoms. The average Young’s 

moduli of the homogeneous 1% and 2% phantoms were 9.8±1.7 kPa and 46.5±2.7 kPa 

as measured by mechanical testing [122]. 



50 
 

 

Figure 4.4.  DNF maps in the homogeneous agar phantoms where the black dots represent the 

OCE measurement positions and the DNF scale is the same for direct comparison. 

DNF maps of the (a) homogeneous 1%, and (b) homogeneous 2%. 

 

 

Figure 4.5. DNF map in the heterogeneous agar phantoms where the black dots represent the 

OCE measurement positions and the DNF scale is the same as figure 4.4 for direct 

comparison.  
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Figure 4.6. A non-paired T test to compare of the square root of Young’s modulus as measured 

by uniaxial mechanical testing to the DNF of the same concentration of 

homogeneous phantoms, and the corresponding heterogeneous phantom 

components.  

 

4.3.2 Corneal samples 

During fitting for the corneal samples, ξ was found to be very close to 1 (0.99 ≤ ξ ≤ 

1). Therefore, ξ was set to 1, and the first solution to equation 4.2 was utilized to obtain 

the DNF. Fig. 4.7 shows DNF maps for the control cornea (a) before and (b) after 

traditional CXL, and Fig. 4.8 shows the DNF map of a typical partially CXL cornea. The 

DNF scales are the same to provide direct comparison. The average DNF of the control 

sample was 1.22±0.01 kHz before CXL, which increased by ~132% to 1.61±0.09 kHz 

after CXL, indicating an increase in stiffness. In the partially CXL sample, the 
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surrounding CXL region was also stiffer than the central virgin region with average 

DNFs of 1.93±0.11 and 1.12±0.05 kHz, respectively. 

 

Figure 4.7.  DNF maps of the rabbit corneal samples. Maps of the (a) control before CXL, (b) 

control after CXL. The black dots are OCE measurement positions and the DNF 

scales are the same for direct comparison. 

 

 

Figure 4.8.DNF map of a typical partially CXL rabbit cornea. The black dots are OCE 

measurement positions and the DNF scales are the same as Fig. 4.7 for direct 

comparison. 
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Fig 4.9 provides an overview of the DNFs of the corneas (control sample, samples 1-

4, all partially CXL samples, and all samples). To determine if the change of the DNFs 

before and after CXL was significant, a paired t test was performed on the control 

samples, and non-paired t tests were performed between the virgin and CXL region of 

each partially CXL cornea. The P values of all tests were << 0.05, which indicated that 

there was very significant difference in elasticity between two regions. The number of 

samples in each sub-set of data is labeled in Fig. 4.9. 

 

Figure 4.9.  DNFs of the corneal samples where the blue and red boxes correspond to the virgin 

and CXL data sets from the corresponding samples. The central inscribed box is the 

mean, the central line is the median, and the boundaries are the 25% and 75%. 

 

4.4 Discussion 

In this work, we have demonstrated the capability of air-pulse OCE to resolve 

transverse elasticity differences in spatially heterogeneous tissue-mimicking agar 

phantoms and partially CXL in situ rabbit corneas in the whole eye-globe configuration 

at an artificially controlled IOP of 15 mmHg. A simple kinematic model was utilized to 

characterize the air-pulse induced displacement relaxation process and obtain the DNF, 
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which correlates strongly with the square root of Young’s modulus [150, 151]. After 

demonstrating the feasibility of this method on spatially heterogeneous agar phantoms, 

this model was then applied to the cornea. The results showed that CXL significantly 

increased the DNF of all samples (P≪0.05 for all 5 samples) with an average increase in 

the DNF of ~160%. While the DNF is related to the Young’s modulus in the phantoms, 

this relationship cannot be directly extrapolated to the cornea in these experiments. The 

boundary conditions and geometry of the cornea influence the measured elasticity, as we 

have previously shown utilizing OCE and finite element modeling [154]. In addition, it 

is well understood that the biomechanical properties of the cornea and the effects of CXL 

are not homogeneous depth-wise, but the kinematic model used in this work cannot 

provide the depth-resolved biomechanical properties of the cornea. This will require a 

more rigorous mechanical model, which we are currently adapting for air-pulse based 

OCE measurements [41, 115, 155-159]. 

During the OCE measurements, the sample was manually translated to the various 

grid positions in a “snake” pattern to reduce the acquisition time as compared to raster 

scanning. Currently, the total acquisition time of tens of minutes is unfeasible for live 

measurements. Integration of a 3D computer-controlled motorized linear stage with the 

OCE acquisition software would enable automated OCE measurements that would 

dramatically reduce the acquisition time, minimize the risk of errors, and increase the 

spatial accuracy and repeatability. Such a system has been developed and its feasibility 

is being tested for live experiments. Our group has recently demonstrated a noncontact 

OCE technique that can obtain the overall elasticity of the cornea in milliseconds with a 

single excitation [160]. However, this technique utilized a transversely propagating 
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elastic wave to quantify the stiffness of the cornea, and thus must be adapted to solely 

analyze the relaxation process to improve transverse elasticity localization. 

While the measurements from the ORA or CorVis can provide the viscoelasticity of 

the cornea after numerical simulations, their ability to spatially resolve the heterogeneous 

biomechanical properties of the cornea may be limited due to the relatively large 

amplitude and large area (mm scale) of the deformation [161]. Other contact-based OCE 

techniques have been developed and showed promise for obtaining the spatially resolved 

biomechanical properties of the cornea [96, 107]. However, there has not yet been a 

report of a quantitative measurement of stiffness with this method. USE has been utilized 

to evaluate the transverse heterogeneity of CXL, but quantification of the results was 

focused on the depth-wise heterogeneity of the corneal stiffness after CXL even though 

there was a clear indication of transverse elasticity heterogeneity [155]. 

The average ratio of the DNFs between the CXL and virgin regions of the partially-

CXL corneas was ~1.68. However, the ratio between the mean DNFs of the positive and 

negative controls was ~1.32. Even within the partially CXL samples, there was a very 

significant (P≪0.05) variation in the DNFs of corneal samples before and after CXL. 

However, the ratio was still greater in the partially CXL samples than in the control 

samples. The ocular samples were from mature rabbits (> 6 months) but not of a known 

age. Mechanical testing has shown that the cornea stiffens with age and therefore, there 

may be an age dependency of the effects of CXL [162]. Assessing the age-related effects 

of CXL is an avenue of our future work as we have utilized air-pulse OCE to reveal the 

age-induced stiffening of the mouse cornea in vivo [114]. Moreover, previous CXL 

investigations have shown a large degree of inter-sample variance in the changes in 
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biomechanical properties of the cornea after CXL, indicating that changes in the 

biomechanical properties of the cornea after CXL may be case-specific [163-165]. From 

Figs. 4.6 (b) and 4.7 it can be seen that the traditional CXL procedure is not spatially 

homogeneous for a given sample as well and that the stiffness of the virgin cornea is not 

homogeneous as well. These findings, in addition to the large degree of inter-sample 

variance, further demonstrate the need for a noninvasive technique capable of accurately 

and rapidly evaluating the spatial distribution of corneal biomechanical properties and 

quantitatively evaluating the effects of CXL. 

Changes in the corneal stiffness after CXL have shown a wide variance, ranging from 

~100% as assessed by Brillouin microscopy to greater than ~300% as quantified by 

mechanical testing and atomic force microscopy [156, 157, 164]. In addition, the range 

of the Young’s modulus of the rabbit cornea in the literature spans a few orders of 

magnitude (~1 kPa using AFM to ~11 MPa using mechanical extensiometry) because 

the measurement technique, testing conditions (e.g. in situ, ex vivo, or in vivo), and IOP 

all have a profound influence on the measured stiffness [166, 167]. Hence, no mechanical 

testing was conducted on the corneal samples as with the phantoms because it is still a 

challenge to properly replicate in vivo or in situ conditions during mechanical testing. 

Similarly, our previous work has shown a difference of a few orders of magnitude in the 

elasticity of the cornea between OCE and mechanical testing [153]. 

 

4.5 Conclusion 

In this chapter, I have shown that air-pulse OCE is capable of spatially resolving 

heterogeneous biomechanical properties of the in situ rabbit cornea in the whole eye-
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globe configuration after spatially selective CXL by analyzing the relaxation process of 

a micro air-pulse induced displacement. By quantifying the DNF of the low amplitude 

deformation relaxation process, the transversely spatially varying stiffness of the cornea 

was revealed. Due to the noncontact nature and minimal excitation force, this technique 

may be useful for determining the biomechanical properties of the cornea in vivo. 

However, the relatively long acquisition time limits its application in the clinic without 

further development to drastically reduce the acquisition times.  
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CHAPTER 5 – Characterizing the biomechanical properties of cornea before and 

after UV-induced collagen cross-liking at different intraocular pressures by 

optical coherence elastography 

As discussed previously, the method introduced in Chapter 2 is fairly slow (30 min 

to 1 hour for the measurement of one sample). In this chapter, an alternative is described 

and used to characterize the biomechanical properties of cornea. In this method, the 

previously described PhS-SSOCE system and a newly-developed elasticity 

reconstruction model were used to investigate the effects of UV-induced CXL on the 

elasticity of porcine corneas at various IOPs. The elasticity of the corneas was assessed 

before and after CXL using two methods: the group velocity of the elastic wave and 

temporal analysis of the relaxation process of an air-pulse induced displacement. 

Validation experiments were performed on agar phantoms of various concentrations, and 

the results show that both methods were reasonably accurate at assessing the elasticity 

of the phantoms. The Young’s moduli of corneas before CXL treatment were from 7 kPa 

to 36 kPa as quantified using an elastic wave model and 6 kPa to 25 kPa as obtained from 

reconstruction of the relaxation process. The CXL treatment significantly increased the 

Young’s moduli of the corneas from 40 kPa to 70 kPa and 20 kPa to 110 kPa as quantified 

using the elastic wave velocity and relaxation process methods, respectively. 

5.1 Materials and Method 

Seven cylindrical agar phantoms (Difco Nutrient Agar, Becton, Dickinson and 

Company, MD, USA) with diameter of 30 mm and height of 10 mm and various 

concentrations were prepared for validation of the elasticity reconstruction method. Fresh 

porcine eyes of similar age (n=4) were obtained from Sioux-Preme Packing Co. (Sioux 
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City, IA, USA) and shipped overnight in a chilled container. Upon arrival, the eyes were 

brought to room temperature and the corneal epithelium was removed with a blunt 

surgical instrument. The whole eye globes were placed in a custom eye globe holder and 

cannulated with two needles for artificial IOP control utilizing a previously published 

system [153]. After the OCE experiments were completed on the untreated corneas, 

traditional CXL was performed as described in Chapter 4 [133].  The OCE measurements 

were performed at IOPs of 15, 20, 25, and 30 mmHg, as controlled by the closed-loop 

artificial IOP control. 

A home-built focused air-pulse delivery system induced a small amplitude (µm scale) 

displacement, which then propagated as an elastic wave through the cornea as described 

in Chapter 2 [118]. The elastic wave was imaged by the previously described PhS-

SSOCT system.  

To remove the manual translation, need for synchronization during post-processing, 

to improve the transverse spatial resolution, and reduce the total acquisition, a new 

automated method of imaging the air-pulse induced elastic wave propagation was 

developed. A longitudinal scan of 501 successive M-mode images was acquired over ~6 

mm with the apex of the cornea at the middle of the acquisition area to capture the elastic 

wave propagation. The trigger signal of each M-mode image was used for 

synchronization with the air-pulse controller, resulting in each M-mode image effectively 

recording the elastic wave [116, 168]. The distance between the air-pulse port and the 

surface of the cornea was kept at ~200 μm with an incidence angle of ~30º. Although the 

OCT system can only detect displacements in the vertical direction, the angle of 

incidence has no significant effect on the measured speed as the elastic wave propagated 
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primarily orthogonal to the optical axis. The pressure of the applied focused air-pulse on 

the corneal surface was fixed at ~4 Pa for both untreated and CXL corneas to ensure a 

detectable induced elastic wave without damaging the delicate corneal tissue. While 

measuring the temporal characteristic of the elastic waves, the air-pulse and the OCT 

probing beam were co-focused at the apex of the cornea as described in previous chapters. 

For these measurements, the applied pressure of the air-pulse was ~2 Pa on the untreated 

corneas, and ~4 Pa on the CXL corneas. M-mode imaging at the apex of the cornea was 

utilized to image the deformation and relaxation processes of the air-pulsed induced local 

deformation. 

The Young’s modulus, E, was quantified by the shear wave equation, which has been 

used to quantify the stiffness of samples in various applications [5, 55, 104] 

𝐸 = 3𝜌𝑐𝑔
2,                                                       (5.1) 

here, ρ was the density of the cornea and cg was the group velocity of the OCE measured 

elastic wave. We should note here that cg should be the shear wave velocity, which was 

not identical to the OCE measured elastic wave group velocity even though it has been 

used to quantify Young’s modulus with the shear wave equation [5, 104]. 

After correcting the phase data for surface motion and the refractive index mismatch 

between air and the sample [169], the temporal profile of the air-pulse induced 

displacement, d(t), was calculated from the corrected phase profiles, ϕ(t) by equation 2.1 

[102]. The relaxation process of the temporal displacement profile was fitted by the 

exponential function in Section 3.2. The b value for a given displacement profile was 

discarded if R2 was less than 0.98 due to phase unwrapping errors or other artifacts, which 

resulted in improper fitting of the relaxation process. 
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A model-based elasticity reconstruction approach was developed to quantify the 

Young’s modulus from the vertical displacement profile of a surface point of the cornea 

in response to the short duration air-pulse [159]. In this method, the tissue was modeled 

as a homogenous and nearly incompressible viscoelastic (Kelvin-Voigt body) layered 

structure. The mechanical parameters such as Young’s modulus (E), shear viscosity 

modulus (η), and density (ρ) were set to be constant in a layer. Under external loading 

applied in the vertical direction on the surface, such as an air-pulse, an analytical solution 

of the vertical displacement at angular frequency ω in the frequency domain can be 

derived in cylindrical coordinates (r, θ, z) as 

𝑈𝑧(𝑟, 𝑧) = ∫ [𝛼(𝐴1𝑒
−𝛼𝑧 + 𝐴2𝑒

𝛼𝑧) + 𝑘(𝐵1𝑒
−𝛽𝑧 + 𝐵2𝑒

𝛽𝑧)]𝐽0(𝑘𝑟)𝑘𝑑𝑘
+∞

0
,     (5.2) 

with 

𝛼2 = 𝑘2 −
𝜔2

𝑐1
2 ,  𝛽2 = 𝑘2 −

𝜔2

𝑐2
2 ,  𝑐1 = √

𝜆+2𝜇

𝜌
, 𝑐2 = √

𝜇

𝜌
, 

here, J0 and J1 are the 0 and 1 order Bessel functions, respectively, k is the wave number, 

and λ and μ were the Lamé constants, with λ=Eν/((1+ν)(1-2ν)) and μ=E/(2(1+ν)). The 

dynamic modulus, E, included the Young’s modulus and the shear viscosity components, 

and ν is the Possion ratio. The unknown constants A1, A2, B1, and B2 were defined using 

four boundary conditions at the layer boundaries. The boundary conditions utilized in 

our calculations were: a fixed boundary condition for the displacements on the bottom 

of the layer; no shear force on the top surface, and an external load with ~30º incidence 

angle was applied at the top surface at the co-focal point of the stimulation and 

measurement position. Using the analytical solution for the vertical displacement 
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described by equation 5.3, reconstruction of Young’s modulus and shear viscosity were 

obtained with a gradient-based iterative approach by minimizing the error function 

𝜀 = ‖𝑈𝑒𝑥𝑝 − 𝑈𝑡ℎ𝑒𝑜𝑟𝑦(𝐸, 𝜂)‖,                                         (5.3) 

where ɛ was defined as the difference between the measured, Uexp, and theoretically 

calculated, Utheory, displacements at the excitation point [170]. 

The reconstruction model was first evaluated on agar phantoms (Difco Nutrient Agar, 

Becton Dickinson, MD, USA) of various concentrations and subsequent stiffness. 

Uniaxial mechanical compression testing (Instron 5943, MA, USA) was performed on 

the same agar phantoms immediately after all OCE measurements. During calculation, 

the densities of agar phantom and rabbit cornea were set as 1000 kg/m3 and 1062 kg/m3, 

respectively [171, 172]. To minimize the error function (Eq. 5.4), a gradient-based 

iterative procedure was implemented. In order to remove influence of the potential 

variability of the excitation pressure on the surface of the samples, the vertical temporal 

displacement profiles were normalized. Thus, only the spectral characteristics of the 

displacement were taken into account, ignoring the amplitude of the displacement. 

5.2 Results 

Table 5.1 shows the Young’s moduli of all 7 agar phantoms estimated by the 

reconstruction model and equation 5.1 using the OCE experimental data and as measured 

by the uniaxial mechanical compression test. The concentrations were random and 

unknown so that any bias would be minimized. The error was defined as the absolute 

value of the difference between the estimated Young’s modulus and the measured 

Young’s modulus divided by the measured Young’s modulus. The range of the error was 
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0.3% to 12%, with an average error of 6.9%, which indicated that the accuracy of the 

reconstruction model was acceptable. 

 

Table 5.1.   Young’s moduli obtained by the elasticity reconstruction model utilizing the 

temporal vertical displacement profiles (estimated) and from uniaxial mechanical compression 

testing (measured). 

Phantom # 
Young’s Modulus (kPa) 

Error (%) 

Estimated Measured 

1 12.5 12.6 0.8 

2 15 13.9 7.9 

3 37.5 42.6 12 

4 40 36.1 10.8 

5 37.5 35.4 5.9 

6 60 59.8 0.3 

7 62.5 69.8 10.5 

 

In addition to elastographic measurements, the central cornea thickness (CCT) was 

calculated from the OCT structural image to quantify a morphological parameter of the 

corneas before and after CXL as a function of IOP. To ensure proper measurement, the 

OCT images were rescaled to physical dimensions with the refractive index of the cornea 

as 1.376 [173]. Fig. 5.1(a) shows that the thicknesses of untreated (UT) and CXL corneas 

decreased as the IOP increased. In Fig. 5.1(b), the thicknesses were normalized by the 

maximum for the UT and CXL sub-groups. Here it can be seen that the change in 

thickness as a function of IOP is greater in the UT corneas as compared to the CXL 

corneas, as expected for a softer material. 
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Fig. 5.2 displays three typical temporal displacement profiles of the elastic wave at 

different OCE measurement positions from a porcine cornea at various distances from 

the stimulation position. The time delay of the elastic wave to propagate to each OCE 

measurement position was obtained by cross-correlating the normalized temporal 

displacement profiles at each OCE measurement position with the normalized temporal 

displacement profile at the excitation position. This procedure was repeated for each 

imaged in-depth layer of the cornea. The elastic wave velocity was calculated by least 

squares linear fitting of the elastic wave propagation delays at each OCE measurement 

position and the distances of the respective positions from the excitation. This procedure 

was repeated for each imaged depth of the cornea, and the average of all depths was 

utilized as the elastic wave group velocity for a given sample. As the elastic wave was 

assumed to follow the contour of the cornea, the curvature was taken into account when 

determining the elastic wave propagation distance to ensure accuracy of the velocity 

calculation. 

 

Figure 5.1.  (a) Averaged CCT of UT and CXL corneas (n=4) at different IOPs. (b) Normalized 

central corneal thickness and linear fit of UT and CXL corneas at different IOPs. 
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Figure 5.2.  Three typical temporal displacement profiles on the cornea from OCE measurement 

positions at the indicated distances from the air-pulse excitation point. The elastic 

wave propagation and amplitude attenuation can be seen from the profiles. 

 

Fig. 5.3(a) shows that the elastic wave group velocities were greater after the CXL 

treatment at the same IOP. It can also be seen that the elastic wave group velocity was 

positively correlated with IOP in the UT and CXL corneas. The Young’s moduli of 

corneas estimated using equation 5.1 are shown in Fig. 5.3(b). The standard deviation 

(STD) of some data sets were too small to be shown clearly, such as the group velocity 

of the CXL eyes at 20 mmHg IOP (n=4, STD = 0.014). It can clearly be seen that the 

corneas were significantly stiffer after the CXL treatment, which corroborates with 

previous work [65, 133, 153, 157, 164, 174, 175]. Furthermore, the Young’s moduli of 

all of the corneas increased with IOP, which has also been shown in the literature [174]. 
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Figure 5.3.  (a) Elastic wave group velocity of untreated and cross-linked porcine corneas (n=4) 

as a function of IOP. (b) Young’s moduli of corneas estimated by the shear wave 

equation 5.1 using the OCE measured elastic wave group velocity. 

 

Fig. 5.4 displays typical relaxation process vertical temporal displacement profiles of 

a focused air-pulse induced displacement at the corneal apex from the same sample 

before and after CXL treatment at an IOP of 25 mmHg. The relaxation process was found 

to be well fitted the previously described exponential equation in Section 3.2 as R2 was 

greater than 0.99. The relaxation rate was higher in the cornea after the CXL, which 

corresponded to a stiffer material. 

Figure 5.5(a) shows that the relaxation rates in CXL corneas were greater than in UT 

corneas at the same IOP. Figure 5.5(b) displays the Young’s moduli of the UT and CXL 

corneas as a function of IOP estimated by the vertical displacement elasticity 

reconstruction model as described in equations 5.2 and 5.3. 
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Figure 5.4. Typical relaxation process vertical temporal displacement profiles from a focused air-

pulse induced deformation at the corneal apex from the same cornea before and after 

CXL treatment at an IOP of 25 mmHg. 

 

 

Figure 5.5. (a) Relaxation rate of the UT and CXL corneas (n=4) as a function of IOP. (b) 

Young’s moduli of the corneas obtained by the vertical displacement elasticity 

reconstruction method. 

 

5.3 Discussion 

Structural imaging of the cornea with OCT demonstrated that the CCT of the corneas 

decreased after CXL, which was consistent with the literature [176-178]. On average, the 

corneas became ~34% thinner after CXL. Specifically, the corneal thicknesses decreased 

by 37±1%, 35±2%, 33±1%, and 33±2% after CXL at the IOPs of 15, 20, 25, and 30 
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mmHg, respectively. The negative correlation of corneal thickness with IOP from 15 to 

30 mmHg has also been shown previously in normal canine eyes [45]. Intuitively, it is 

reasonable to expect that the increased IOP will compress the cornea and reduce the 

thickness. After normalizing the thicknesses of the UT and CXL eyes at each IOP by the 

initial thicknesses at an IOP of 15 mmHg, the slopes of the linear fit were -0.016 mmHg-

1 and -0.011 mmHg-1 before and after CXL, respectively. This indicated that after CXL, 

the rate at which the CCT decreased was less as compared to before CXL. This can be 

explained by the “J” shape of the cornea stress-strain curve [164]. With a greater Young’s 

modulus after CXL, additional stress induced a smaller strain, which corresponded to a 

smaller change in thickness. 

The Young’s moduli of the corneas estimated by the shear wave equation 5.1 and 

surface displacement reconstruction model increased linearly as a function of IOP in both 

UT and CXL corneas as shown in Fig. 5.3(b) and 5.5(b), respectively. The observed 

linear increase in Young’s modulus is similar to previous results where the elasticity of 

porcine corneas obtained by inflation test increased linearly as function of IOP from 5 to 

75 mmHg [179]. 

The viscosity values for the UT and CXL corneas from the vertical displacement 

reconstruction model were not compared in the results. Our preliminary study shows a 

random distribution of viscosity in the range of 0 to 0.25 Pa•s, with no obvious 

correlation between the UT and CXL corneas. One of the potential sources of the random 

distribution of viscosities may be due to the linear Kelvin-Voigt viscoelastic model that 

was not adequate to describe the true complex viscoelasticity of corneal tissue. Future 

investigations will focus on determining the effects of the CXL treatment on the viscosity 
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of the cornea. Since the value of viscosity was extremely small compared with the 

elasticity, it would have limited effect on the reconstructed profile in the reconstruction 

model. Future work will involve investigating the accuracy of the viscosity 

reconstruction and optimizing the model for effects of very small viscosities.  

Previous chapters have shown that a higher relaxation rate corresponds to stiffer 

tissues [114]. However, the Young’s modulus was not quantified. In this chapter a model 

was implemented to translate the relaxation process vertical displacement profile to a 

quantitative assessment of elasticity in the cornea. It also can be noted that the Young’s 

moduli estimated from the two different elasticity reconstruction methods adopted in this 

work were different. This may be due the restrictions and assumptions of each method. 

The shear wave equation 5.1 relies on the assumption that the OCE measured elastic 

wave is identical to a shear wave. However, it has been reported that the observed elastic 

wave in cornea is not identical to a shear wave [180, 181]. Furthermore, the elastic wave 

propagation dynamics were determined by the corneal material properties, shape, 

excitation method, and boundary conditions. Nevertheless, the shear wave equation has 

been used to estimate the material elasticity because of its simplicity and subsequent 

rapid estimation of Young’s modulus [180]. Nevertheless, the group velocity of the 

observed elastic wave is of the same order as the shear wave velocity and thus, the shear 

wave equation may be able to provide a rapid first-order quantitative assessment of 

elasticity. In this study, the velocity of the elastic wave was calculated over a few 

millimeters, varying from ~2 mm to ~6 mm depending on the sample. Therefore, the 

elasticity assessed by the shear wave equation 5.1 may be the overall elasticity of this 

region. In addition, the corneal biomechanical properties have been widely reported to 
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be anisotropic, so the direction of excitation and elastic wave propagation imaging may 

also affect the quantified Young’s modulus [143, 182-184]. Although the velocity of the 

elastic wave was calculated as a function of depth as well, the large wavelength (~5 mm) 

of the elastic wave limits depth resolution. Other methods such as spectral and dispersion 

analysis can provide depth resolved elasticity with micrometer scale spatial resolution 

[115, 185] and will be implemented in future studies. 

The vertical displacement elasticity reconstruction model assumed an infinite flat 

thin plate sample geometry [170, 186]. The model was strictly derived from the Navier-

Cauchy equation, which is the governing equation for an isotropic material with a small 

displacement assumption. The small displacement assumption was satisfied as the air-

pulse induced displacement was a few orders of magnitude less than the thickness of the 

cornea. However, the cornea has a curvature, which did not strictly satisfy the infinite 

flat plate geometry restriction, which may be a source of inaccuracy when reconstructing 

elasticity via this method. Nevertheless, the model was able to successfully demonstrate 

the changes in the elasticity of corneas before and after CXL as a function of IOP. 

Furthermore, due to the small focal spot size of the air-pulse and high spatial resolution 

of OCT, this method has the potential to create a 2D elasticity map of the cornea with 

high spatial resolution in contrast to the DNF described in the previous chapter. 

5.4 Conclusion  

In this chapter, an OCE technique which significantly reduces the data acquisition 

time for cornea elasticity quantification was introduced. Compared to the method 

introduced in Chapter 2, the data acquisition time was reduced from ~30 mins to less 

than 1 min. The elasticity of porcine corneas was quantified before and after UV-induced 
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CXL at various IOPs by combining noncontact OCE with two different elasticity 

reconstruction methods. A focused air-pulse was used to induce a localized deformation 

in the corneas, which then propagated as an elastic wave. The group velocity of the elastic 

wave and relaxation process of an air-pulse induced displacement at the corneal apex 

were quantified and utilized for elasticity reconstruction. As expected, the stiffness of 

the corneas increased after CXL and as the IOP was increased. This noncontact OCE 

method was capable of measuring low amplitude (µm scale) tissue deformations and 

assessing corneal stiffness, which is potentially useful for studying the biomechanical 

properties of sensitive ocular tissues in vivo.  
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CHAPTER 6 – Differentiating untreated and cross-linked porcine corneas of the 

same measured stiffness with optical coherence elastography 

Structurally degenerative diseases such as keratoconus can significantly alter the 

stiffness of the cornea, directly affecting the quality of vision. UV-induced CXL 

effectively increases corneal stiffness and is utilized clinically to treat keratoconus. 

However, the measured corneal stiffness is also influenced by IOP. Therefore, 

experimentally measured changes in corneal stiffness may be attributable to the effects 

of CXL, changes in IOP, or both. In this work I present a noninvasive measurement 

method using PhS-SSOCE to distinguish between CXL and IOP effects on corneal 

stiffness. This method compared the displacement amplitude attenuation of a focused 

air-pulse induced elastic wave. The damping speed of the displacement amplitudes along 

the wave propagation path was compared for different materials with the same measured 

elasticity. This method was initially tested on gelatin and agar phantoms of the same 

stiffness for validation. After validation on the phantoms, UT and CXL treated porcine 

corneas of the same measured stiffness, but at different IOPs, were also evaluated by this 

technique. The results suggested that this noninvasive method may have the potential to 

detect the early stages of ocular diseases such as keratoconus or evaluating the effects of 

CXL by factoring in the effects of IOP on the measured corneal stiffness. 

6.1 Introduction 

As discussed previously, keratoconus can pathologically decrease the stiffness of the 

cornea, leading to a loss in the quality of vision [113]. UV-induced CXL is an emerging 

treatment for keratoconus, which increases corneal stiffness [133]. In addition to 

structural changes within the corneal tissue caused by CXL, IOP also has an effect on 
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the measured stiffness of the cornea [187].  Therefore, there is a possibility that a cornea 

may be structurally weakened by keratoconus, yet have a “normal” measured stiffness 

due to an elevated IOP. Current techniques are not able to measure the true IOP in vivo 

without consideration of the effect of measured corneal stiffness [188]. Distinguishing 

corneas that have the same measured stiffness but are at different IOPs is still a challenge. 

In this chapter, I present a method that is capable of distinguishing corneas of the 

same measured stiffness but at different IOPs utilizing noncontact OCE where a focused 

air-pulse induced elastic waves in the sample and a PhS-SSOCT system detected the 

wave propagation. Validation experiments were performed on agar and gelatin phantoms 

of the same stiffness. This method was then applied to UT and CXL porcine corneas. 

Artificial IOP control was used to induce the same measured corneal stiffness in the UT 

and CXL corneas. 

6.2 Materials and Method 

A home-built PhS-SSOCE system consisted of a focused air-pulse delivery system 

and a phase-stabilized swept-source OCT (PhS-SSOCT) system. Details of the system 

can be found in Chapter 2, and a schematic of the experimental was shown in Chapter 4. 

The elastic wave imaging experimental setup and data acquisition procedures are the 

same as described in Chapter 5. The artificial IOP control system was detailed in our 

previous publication [153]. 

A validation study was initially conducted on 14.0% gelatin (w/w) and 1.1% agar 

(w/w) phantom samples (n = 5 for each type) with identical cylindrical dimensions of 

diameter D = 33 mm and height H = 11 mm. The group velocity of induced elastic wave 

as measured by OCE was converted to Young’s modulus using equation 2.1. In this work, 
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the density of both gelatin and agar phantoms was chosen to be 1020 kg/m3, and the 

Possion ratio was set to be 0.49 [100, 120]. 

The excitation amplitude was controlled to ensure accurate phase unwrapping. To 

compare the damping characteristics between any two normalized displacement 

amplitude attenuation curves of the elastic waves, a customized ratio, r, 

𝑟(𝑁𝐷1/𝑁𝐷2) = 𝑚𝑒𝑎𝑛(𝑟𝑖) ± 𝑠𝑡𝑑(𝑟𝑖)𝑤𝑖𝑡ℎ𝑟𝑖 =
𝑁𝐷1𝑖

𝑁𝐷2𝑖
,                     (6.1) 

was used, where ND1i and ND2i were the normalized displacement of the induced elastic 

wave at the ith measurement position for samples 1 and 2, respectively. Because identical 

acquisition parameters were utilized, the ith position corresponded to the same distance 

in both samples. Displacement amplitudes were normalized by dividing the elastic wave 

displacement amplitude at each measurement position by the displacement amplitude at 

the excitation position. If r was significantly greater than 1, the displacement in sample 

2 damped faster than in sample 1. If r was significantly less than 1, sample 1 damped 

faster than sample 2. If r was close to 1, the damping was similar in both samples.                

6.3 Results and discussion 

As shown in Fig. 6.1(a), the elastic wave (EW) velocity measured by PhS-SSOCE in 

the gelatin samples was 3.76±0.2 m/s, which was very similar to the EW velocity in the 

agar samples of 3.64±0.3 m/s. 

Fig. 6.1(b) shows the Young’s modulus for the 14.0% gelatin and 1.1% agar 

phantoms obtained by equation 2.1 was 48.7±9.2 kPa and 46.6±8.2 kPa, respectively. 

Uniaxial mechanical compression tests (Model 5943, Instron Corp., MA) were 

conducted on the phantoms for elasticity validation. The measured Young’s modulus 

was 47.6±5.3 kPa for the 14% gelatin and 44.9±6.6 kPa for the 1.1% agar phantoms as 
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shown in Figure 6.1(b). These results demonstrated that the 14.0% gelatin sample and 

1.1% agar phantoms were of similar stiffness confirmed by both OCE measurements and 

uniaxial compression tests. 

 

Figure 6.1.  (a) EW velocities of the 14.0% gelatin (w/w) and 1.1% (w/w) agar phantom samples 

measured by PhS-SSOCE; (b) Comparison of estimated and measured Young’s 

moduli of the 14.0% gelatin and 1.1% agar phantoms. 

 

Fig. 6.2 displays the normalized displacement of induced elastic wave in (a) 14.0% 

gelatin phantom excited by two different pressure of air-pulse, 11 Pa and 22 Pa, and (b) 

gelatin and agar phantom in the same stiffness. 

This ratio was first calculated for the same 14.0% gelatin phantom to examine the 

effects of different initial position displacements by changing the focused air-pulse 

pressure on the sample to 11 Pa and 22 Pa. The normalized displacement attenuation 

curves are shown in Fig. 6.3(a) with the ratio r(22/11) = 0.95±0.12, which was very close 

to 1. As anticipated, this indicated that the initial displacement amplitude did not affect 

the damping speed of the elastic wave. 
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Figure 6.2.  (a) Normalized elastic wave displacement amplitude attenuation curves of the same 

14.0% agar phantom at two excitation pressures; (b) Comparison of the normalized 

elastic wave displacement amplitude attenuation curves of 14.0% gelatin and 1.1% 

agar phantoms. 

 

This ratio was then calculated to compare the gelatin and agar phantoms. As shown 

in Figure 6.2(b), the normalized displacement in the agar phantoms was higher than in 

the gelatin phantoms at the same scan position. By using formula 6.1, r(agar/gelatin) = 1.56

±0.47, which demonstrated that the 14% gelatin damped faster than the 1.1% agar. This 

result was in agreement with previous findings that gelatin has higher viscosity than agar, 

which corresponds to faster damping [189]. Therefore, these comparisons showed that 

this method could be successfully utilized to distinguish two materials of similar stiffness. 

To induce a similar measured corneal stiffness in the UT and CXL porcine corneas, 

the IOP of the whole eye was controlled by a custom-built controller comprising of a 

pressure transducer and micro-infusion pump connected in a feedback loop. The elastic 

wave was measured in a porcine cornea by the PhS-SSOCE system before and after 

UVA-Riboflavin induced CXL [153, 190]. Elastic wave measurements were taken at 

IOPs from 15-35 mmHg with 5 mmHg increments. The EW velocities in the UT and 
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CXL corneas at the various IOPs are presented in Table 6.1. It can be observed that 

before CXL, the EW velocity of the cornea at IOP = 30 mmHg was calculated as 3.6±0.4 

m/s. After CXL, the EW velocity was 3.6±0.1 m/s at IOP = 20 mmHg. Therefore, based 

on the EW velocity, it might appear that the stiffness of the cornea is the same under 

these contrasting conditions. 

Table 6.1 PhS-SSOCE measured EW velocities of an UT and CXL cornea at different IOPs. 

IOP (mmHg) 
UT CXL 

EW Velocity (m/s) EW Velocity (m/s) 

15 1.5±0.1 2.7±0.1 

20 2.3±0.1 3.6±0.1 

25 3.0±0.3 4.0±0.1 

30 3.6±0.4 4.2±0.2 

35 3.7±0.4 4.7±0.5 

 

After normalizing the elastic wave displacement amplitudes, the damping features of 

the elastic wave over the measurement positions were analyzed (Fig. 6.3). Based on 

formula 6.1, the ratio of r(CXL/UT) was calculated as 2.61±0.95, indicating that the damping 

speed of the cornea had significantly decreased after the CXL treatment. In addition, the 

normalized displacement attenuation curves were fitted by y = aebx in which the 

parameter b was treated as the damping speed. According to the fitted results, the 

damping speed of the UT cornea (bUT = -0.031 mm-1) was almost twice the damping 

speed of the CXL cornea (bCXL = -0.017 mm-1), which confirmed that the damping speed 

decreased after CXL treatment. One possible reason for this result is that the CXL 
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treatment is a procedure that displaces water from the corneal tissue. The UT cornea 

contains more water, which is responsible for a higher viscosity. Therefore, the elastic 

wave damps faster in the UT cornea than the CXL cornea. 

 

Figure 6.3 Comparison of the normalized elastic wave displacement amplitude attenuation curves 

and exponential fit of an UT and CXL porcine cornea at the same measured stiffness 

but different IOPs. 

 

Kotecha et al. measured biomechanical parameters of UT eyes at different IOPs with 

the Ocular Response Analyzer (ORA, Reichert Inc., Depew, NY) and discussed how the 

viscosity was negatively correlated with measured corneal stiffness, indicating that the 

CXL cornea has lower viscosity than the normal one [135]. These results corroborate 

with our results. However, the ORA only provides the index of corneal hysteresis to 

reflect the corneal damping ability, it is unable to provide information about the cornea 

stiffness. Furthermore, the induced displacement in ORA is in the order of mm, which is 

hundreds of times larger than in the present method. 
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6.4 Conclusion  

In this chapter, a novel method using PhS-SSOCE to distinguish UT and CXL 

corneas of the same measured stiffness but at different IOPs was demonstrated. This 

noninvasive method has potential to evaluate the biomechanical properties of the cornea 

in vivo for detecting the onset and progression of corneal degenerative diseases such as 

keratoconus. Future work would entail quantifying and separating the elasticity and 

viscosity of the cornea. 
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CHAPTER 7 – Evaluating the effects of Riboflavin/UV-A corneal collagen 

crosslinking on porcine corneal mechanical anisotropy with noncontact optical 

coherence elastography 

Chapter 4 showed the capability of OCE to spatially map corneal elasticity, and a 

faster OCE technique to quantify the elasticity of cornea was introduced in Chapter 5. In 

this chapter, a novel noncontact OCE method which can provide a shear elastogram for 

evaluating the mechanical anisotropy of cornea is introduced. The mechanical 

anisotropic properties of the cornea can be an important indicator for determining the 

onset and severity of different diseases and may be able to provide critical information 

for assessing the efficacy of various therapeutic interventions, such as CXL and LASIK 

surgeries. However, the changes in the mechanical anisotropy of the cornea due to 

diseases or the aforementioned therapies is not known. Therefore there is an unmet need 

for a noninvasive technique that can determine the mechanical anisotropy of the cornea. 

Here I demonstrate the development and application of such a technique for evaluating 

the elastic anisotropy of the cornea and its hysteresis while cycling IOP. Moreover, the 

technique was applied to CXL corneas to evaluate its effects on the mechanical 

anisotropy and hysteresis as well. Elastic waves were induced in fresh in situ porcine 

corneas in the whole eye-globe configuration as described in previous chapters. A PhS-

SSOCE system imaged the elastic wave propagation at stepped meridional angles, and 

the OCE measurements were repeated as the IOP was cycled. A new sliding window 

algorithm was implemented to obtain the spatially varying elastic wave velocity, which 

was utilized to generate a map of the elastic wave velocity. The results show that the 
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elastic anisotropy at the apex of the cornea becomes more pronounced at higher IOPs, 

and that there are distinct meridional angles of higher and lower stiffness. 

7.1 Introduction 

The anisotropic characteristics of corneal elastic properties can provide valuable 

information for determining the onset and severity of many diseases. For example, the 

collagen fibril orientation in corneas with keratoconus is distinctly different than in 

healthy corneal tissue [191]. The application of X-ray scattering [192], electron 

microscopy [193], visible light confocal microscopy [194], second harmonic generation 

(SHG) imaging [195], and polarization sensitive optical coherence tomography [196] 

(PS-OCT) has greatly improved our understanding of the lamellar microstructure of the 

cornea. For instance, X-ray diffraction has been used to quantify the orientation and 

spatial distribution of the collagen fibrils in the cornea and showed that keratoconus 

significantly affects this arrangement [191]. While X-ray diffraction and electron 

microscopy have provided a wealth of information about collagen fibril organization in 

the cornea due to their very high spatial resolutions, they require fixed samples and are 

fundamentally infeasible for in vivo applications. On the other hand, visible light 

confocal microscopy can be used to detect some ocular diseases in vivo [194]. Due to the 

transparency of corneal collagen at visible wavelengths, visible light confocal 

microscopy could not directly study the collagen in the cornea. Instead, morphological 

changes at the cellular level were correlated with alterations to the collagen fibrils. SHG 

imaging has been able to elucidate the lamellar microstructure in rat corneas in vivo [197]. 

However, this method required flattening of the cornea, which may have altered the 

collagen structure and orientation. Recently, PS-OCT has been utilized to measure the 
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birefringence of the cornea [196]. Further investigation with this technique has 

determined that the corneal birefringence correlated with the dominant collagen fiber 

orientation in the human cornea [198]. As OCT has proven to be a valuable tool in 

ophthalmology [199], PS-OCT may be a clinically viable option for rapidly assessing the 

changes in the corneal lamellae orientation in corneal diseases such as keratoconus. 

While promising, all of the above mentioned optical imaging techniques measure the 

optical effects of collagen fibril orientation in the cornea. Intuitively, one can expect that 

the anisotropic organization of the collagen fibers would lead to variations in the 

biomechanical properties of cornea as well. In addition to the inherent collagen structure, 

IOP can also influence the biomechanical properties of the cornea [62, 65, 152]. While 

the overall stiffness of the cornea shows a measurable hysteresis while cycling IOP [101], 

the elastic anisotropic hysteresis has not yet been investigated.  

The mechanical anisotropy of the cornea has previously been studied by inflation 

tests combined with the finite element modeling [200], mechanical testing on excised 

strips of corneal tissue at orthogonal angles [143], and computational modeling utilizing 

X-ray scattering data [144]. These techniques have provided valuable insight into the 

elastic anisotropy of the cornea, but they are currently impractical for in vivo use. 

Recently, supersonic shear wave imaging (SSI) has been demonstrated as a method for 

measuring the elastic anisotropy of the cornea at various IOPs in vivo, but required 

general anesthesia and immersion of the cornea in water [142]. 

Riboflavin/UV-A induced CXL (UV-CXL) is an emerging clinically available 

technique for treating keratoconus by stiffening the cornea and increasing its resistance 

to further degeneration [133]. While it is understood that UV-CXL alters corneal 
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collagen fibril organization, subsequently altering corneal mechanical properties [164], 

there have been no direct investigations on the changes in the elastic anisotropy of the 

cornea caused by UV-CXL. Furthermore, the current clinical UV-CXL protocol is 

uniform despite individual disease presentation or severity. However, an optimal 

treatment would consider pre-existing biomechanical properties and would incorporate 

the effects of the CXL treatment itself. Thus, a method with the capability to 

noninvasively provide a pre-existing biomechanical properties map of cornea is highly 

desired in clinical, which also can be used to track the outcome after UV-CXL treatment.  

In this chapter, we describe a noncontact method of assessing the elastic anisotropy 

of the cornea utilizing noncontact PhS-SSOCE. The OCE measurements as described in 

Chapter xx were repeated on the porcine samples, which were rotated at stepped 

meridional angles. The group velocity of the elastic wave was spatially mapped to 

investigate the elastic anisotropy of the cornea. The IOP was cycled to reveal the IOP-

dependent mechanical anisotropy and hysteresis of the cornea. Furthermore, the effects 

of UV-CXL on the mechanical anisotropy of the cornea were investigated by 

crosslinking fellow eyes. 

7.2 Materials and methods 

7.2.1 Experimental setup 

Details of the PhS-SSOCE system can be found in Chapter 2. The experimental setup 

is shown in Fig. 7.1. 

The fresh juvenile (4 to 6 months) porcine eyes (Sioux-Preme Pork Products, n=6, 3 

pairs of fellow eyes) were obtained and kept fresh at 4˚C in a refrigerator. All 

experiments were conducted immediately upon receipt of the samples, which was within 
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24 hours of enucleation. Two pairs of virgin fellow eyes were measured. For the third 

pair of fellow eyes, the OCE measurements were taken on one virgin eye, while the 

fellow eye was CXL treated. The CXL procedure is described in detail in Chapter xx. 

Artificial IOP control, which is detailed in Chapter xx, was used to cycle the IOP. 

 

Figure 7.1.  (a) OCE experimental setup. (b) En-face view of a 3D OCT image of a porcine 

cornea. The red "X" indicates the excitation position and the arrows are elastic wave 

propagation directions that were imaged by the PhS-SSOCE system. 

 

The elastic waves were imaged by 251 successive M-mode images spanning ~7 mm 

across the corneas with the apex at the middle of the scan position. After the OCE 

measurements from one meridian were acquired, the eye globes were rotated by 20°, and 

the OCE measurement was repeated at the new meridional angle. Because the elastic 

waves were induced at the apex, which was also at the center of the OCE scan region, 

two meridional angles were acquired at once. Thus, the samples were rotated only 9 times 

for 180° in order to obtain a full rotation. An illustration of the acquisition methodology 

is shown in Fig. 7.1(b). The OCE measurements were repeated at IOPs increasing from 
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15 to 30 mmHg at increments of 5 mmHg. To investigate the elastic anisotropic 

hysteresis, the IOP was then decreased from 30 to 15 mmHg, also in 5 mmHg steps. To 

ensure that the corneas were properly hydrated, the corneas were instilled with 0.9% PBS 

every 4 minutes during the OCE measurements. The central corneal thickness (CCT) was 

monitored to ensure that any effects of dehydration on the corneal elasticity were 

minimized. Before all OCE measurements, the eyes were pre-conditioned by cycling the 

IOP between 15 and 30 mmHg twice. 

7.2.2 Group Velocity Calculations 

The raw unwrapped vertical temporal phase profiles from the surface of the cornea, 

φsurface(t), were converted to displacement, dsurface(t), using equation 2.1 [91], and the raw 

unwrapped vertical temporal phase profiles inside the cornea, φinside(t), were corrected 

due to the motion of the corneal surface and the refractive index mismatch between air 

and the corneas and converted to displacement, dinside(t), by [169] 

𝑑𝑖𝑛𝑠𝑖𝑑𝑒(𝑡) =
𝜆0

4𝜋𝑛𝑐𝑜𝑟𝑛𝑒𝑎
[𝜑𝑖𝑛𝑠𝑖𝑑𝑒(𝑡) +

(𝑛𝑐𝑜𝑟𝑛𝑒𝑎−𝑛𝑎𝑖𝑟)

𝑛𝑎𝑖𝑟
𝜑𝑠𝑢𝑟𝑓𝑎𝑐𝑒(𝑡)],           (7.1) 

where ncornea = 1.376, and λ0 was the central wavelength of the PhS-SSOCT system. 

The conventional group velocity of the induced elastic wave was calculated based on 

our previously introduced method [116]. Then, a sliding window of ~750 µm was utilized 

to obtain a spatial map of the elastic wave group velocity. The normalized temporal 

displacement profiles for a given imaged in-depth layer were cross-correlated with the 

displacement profile at the first position of that given window. The cross-correlation 

analysis yielded the elastic wave propagation delays, which were then linearly fitted to 

the corresponding propagation distances to calculate the velocity for that given in-depth 

layer and for that given velocity calculation window. When calculating the elastic wave 
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propagation distances, the curvature of the corneas, as determined from the structural 

OCT image, was taken into consideration to ensure accuracy of the calculations. The 

velocity calculated for a window was spatially mapped as the velocity for the central 

pixel of the window, and the window was then shifted by one pixel and the procedure 

was repeated. The procedure was reiterated for each in-depth layer of the cornea and 

averaged depth-wise. This resulted in a 2D elastic wave group velocity map illustrating 

the depth-wise averaged spatial distribution of the elastic wave velocities.  

7.2.3 Anisotropy Calculations 

The modified planar anisotropy coefficient for every measured angle rθ was 

calculated to quantify the changes in the elastic anisotropy [201] 

𝑟𝜃 =
(𝑣𝜃+𝑣𝜃+90°−2𝑣𝜃+45°)

2
,                                       (7.2) 

where vθ was the velocity at that given angle, vθ+90° was the velocity 90° clockwise from 

the given angle, and vθ+45° was the velocity 45° clockwise from the given angle. Because 

angular measurements were taken every 20°, the values for vθ+90° and vθ+45° were linearly 

interpolated from the OCE measurements. A larger magnitude of rθ corresponds to a 

greater degree of elastic anisotropy. 

 7.3 Results 

The results from one pair of virgin eyes is presented, followed by the same results 

from the pair of eyes where the OCE measurements were taken on a virgin eye and the 

CXL fellow eye. In both studies, group velocity was measured, and presented in two 

drawings: angle-wise velocity, and spatially mapped velocity.  

The angle-wise conventional group velocity of a virgin cornea was plotted in Fig. 7.2, 

the vertical axis (0°/180°) corresponds to the superior/inferior axis, and the horizontal 
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axis (90°/270°) was the nasal/temporal axis of the eye. The results clearly show that the 

elastic wave propagated faster at ~40°/220° as compared to other directions for all IOPs. 

The results also indicate that the overall velocity correlated positively with the IOP. The 

mean velocity for all meridional angles and both samples is plotted in Fig. 7.3. The mean 

velocities were calculated to be 1.72±0.85, 2.63±0.92, 3.89±1.16, and 4.93±1.35 m/s at 

IOPs of 15, 20, 25, and 30 mmHg while increasing IOP, respectively. The mean 

velocities while decreasing IOP were 4.48±1.25, 3.50±0.95, and 2.27±1.04 m/s at IOPs 

of 25, 20, and 15, respectively.  

The spatially-mapped elastic wave velocity calculated by the sliding window 

algorithm as a function of IOP in a pair of fellow eyes (both virgin) is shown in Fig. 7.4, 

which corresponds to the samples shown in Fig. 7.2. 

The group velocity calculated by the conventional method (not the sliding window 

technique) was utilized to calculate the modified planar anisotropy coefficient, as shown 

in Fig. 7.5. 
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Figure 7.2.  Group velocity polar maps of the air-pulse induced elastic wave for a pair of virgin 

porcine corneas ((a) and (b)) at different IOPs. 15, 20, 25, and 30 indicate the IOP in 

mmHg, and “+” indicates increasing IOP, and “-” indicates decreasing IOP. 
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Figure 7.3.  Mean velocity of all meridional angles and 4 virgin samples (2 pairs of fellow eyes) 

at different IOPs. 

 

The standard deviation (StDev) of rθ of all meridional angles for a given IOP was 

also calculated to study the overall anisotropy as well as the elastic hysteresis of the 

cornea while cycling IOP. The results are plotted in Fig. 7.6, which show that the 

anisotropy of the cornea is minimal at 15 mmHg IOP, became greater as IOP increased, 

and then reduced as the IOP was decreased. The results also clearly show that at the same 

IOP, the StDev of rθ is greater while reducing IOP than increasing IOP, demonstrating 

that there is a hysteresis to the mechanical anisotropy of the cornea while cycling IOP.  
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Figure 7.4.  Spatial map of the group velocity of the air-pulse induced elastic wave for a pair of 

virgin porcine corneas ((a) and (b)) at different IOPs. 15, 20, 25, and 30 indicates the 

IOP in mmHg, and “+” indicates increasing IOP, and “-” indicates decreasing IOP. 
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Figure 7.5. The rθ values for each meridional angle in the cornea for a pair of virgin porcine 

corneas ((a) and (b)) at different IOPs. 15, 20, 25, and 30 indicates the IOP in mmHg, 

and “+” indicates increasing IOP, and “-” indicates decreasing IOP. 
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Figure 7.6.  Standard deviation of rθ for a given IOP for all meridional angles and all 4 samples 

(2 pairs of fellow virgin eyes) while IOP was cycled. 

 

The same analysis was performed on the third pair of corneas, in which one cornea 

was untreated while the fellow cornea was CXL. The meridional angle-wise 

conventional group velocity is plotted in Fig. 7.7, Similar to Fig. 7.2, the vertical axis 

(0°/180°) corresponded to the superior/inferior axis, and the horizontal axis (90°/270°) 

was the nasal/temporal axis of the eye. Similar to the paired virgin samples, ~40°/220° 

is faster than other directions for all IOPs in both virgin and CXL corneas. The results 

also indicate that the velocity increased after CXL, indicating that CXL stiffened the 

cornea. Moreover, the velocity correlated with IOP in both the virgin and CXL samples. 

The sample-wise mean velocities of the two corneas are plotted in Fig. 7.8. The mean 

velocities of all the meridional angles of the virgin cornea were calculated as 2.45±0.28, 

4.75±1.77, 5.08±1.94, and 5.85±2.54 m/s at IOPs of 15, 20, 25, and 30 mmHg while 
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increasing IOP, respectively. The elastic wave velocity of all meridional angles while 

decreasing IOP was 5.33±1.83, 5.36±2.08, and 3.13±0.89 m/s at IOPs of 25, 20, and 

15mmHg, respectively. The mean velocities of all the meridional angles of the CXL 

cornea were 3.46±0.74, 6.24±1.77, 6.65±2.01, and 10.04±2.73 at IOPs of 15, 20, 25, 

and 30 mmHg while increasing IOP, respectively. The elastic wave velocity of all 

meridional angles of the CXL cornea while decreasing IOP were 6.29±1.62, 6.24±1.28, 

and 4.37±0.56 m/s at the IOP of 25, 20, and 15 mmHg while decreasing IOP, 

respectively. 

The spatially-mapped elastic wave velocity calculated by sliding window algorithm 

as a function of IOP is shown in Fig. 7.9(a) virgin cornea, and 7.9(b) CXL cornea.  

The standard deviation (StDev) of rθ of all angles while IOP was cycled was also 

calculated to study the overall anisotropy of this pair of corneas, as well as the elastic 

hysteresis. The results are plotted in Fig. 7.10. Similar to Fig. 6, which shows that the 

anisotropy of both of the virgin cornea (Fig. 10(a)) and the CXL cornea (Fig. 7.10(b)) is 

minimal at 15 mmHg IOP, but became greater as the IOP was increased, and then 

decreased as IOP decreased.  
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Figure 7.7.  Group velocity polar maps of the air-pulse induced elastic wave for a pair of porcine 

corneas ((a): Virgin and (b): CXL) at different IOPs. 15, 20, 25, and 30 indicates 

IOP in mmHg, and “+” indicates increasing IOP, and “-” indicates decreasing IOP. 
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Figure 7.8.  Mean velocity of a sample of all meridional angles at a given IOP of paired corneas 

where one eye was (a) Virgin and the fellow eye was (b) CXL. 

 

 

7.4 Discussion 

We have introduced a noncontact method of OCE to investigate the mechanical 

anisotropy of the cornea by imaging focused air-pulse induced elastic wave propagation 

at incremental meridional angles. Furthermore, the IOP-dependent biomechanical 

anisotropy and elastic anisotropy hysteresis were investigated while the IOP was cycled. 

Our results show that in both the virgin and CXL corneas, the elastic anisotropy of the 

cornea becomes more pronounced as the IOP was increased and that there is a 

measureable mechanical anisotropic hysteresis. An elastogram of the anisotropy of 

biomechanical properties of cornea has been provided, which may provide crucial 

information for accurate diagnosis of ocular diseases in early stages, customization of 

CXL treatment, and tracking the outcome of treatments on cornea. 
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Figure 7.9.  Spatial map of the group velocity as calculated by the sliding window algorithm of 

the air-pulse induced elastic wave for a pair of porcine corneas ((a): Virgin and (b): 

CXL) at different IOPs. 15, 20, 25, and 30 indicates the IOP in mmHg. 
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Figure 7.10. Standard deviation of rθ as quantified for all meridional angles while IOP was cycled 

((a), Virgin cornea, and (b) CXL cornea). 

 

For further clinical application of this method, the acquisition time will need to be 

significantly reduced. Here, each M-mode image was ~100 ms in duration and 251 M-

mode images were acquired for each pair of radial angles, even though the data 

acquisition speed is more than ten times shorter than the technique described in Chapter 

4, this method still may be unfeasible for clinical application. However, we have recently 

demonstrated the possibility for assessment of the elasticity of a porcine cornea at various 

IOPs using PhS-OCE at speed of ~1.5 million A-scans per second [160]. Due to the 

significantly faster A-scan rate, a different scanning paradigm was utilized where 

successive B-scans were imaged (B-M-mode) as opposed to consecutive M-mode 

images (M-B-mode) as in this work. The elastic wave was directly imaged utilizing B-

M-mode imaging, resulting in a total acquisition time of ~30 ms for a single line scan. 

Because of the reduced data size and subsequent processing time, an elasticity estimate 

was given in minutes. Moreover, only a single air-pulse was required, whereas in this 

work, each OCE measurement position had to be synchronized with an air-pulse 
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stimulation. In addition, the ANSI Z136.1 corneal laser exposure limit was not exceeded, 

whereas M-B-mode imaging utilized in this study far exceeded the limit. Further 

development of even faster sources and parallel scanning and acquisition [202] have 

pushed OCT A-scan rates beyond 28 MHz [79]. When coupled with graphics processing 

unit accelerated OCE [203], these techniques may be able to provide near real-time 3D 

assessments of the elastic anisotropy of the cornea. Furthermore, the distance between 

the air gate and the cornea will need to be increased. Development of a more tightly 

focused air-pulse stimulation technique is underway to increase the distance between the 

cornea and the air gate to reduce the risk of damage due to motion. 

In this study, the local mechanical anisotropy of the cornea became more apparent at 

higher IOPs, which has also been recently shown by SSI [142]. Higher IOPs correspond 

to a larger stress and thus, differences in elasticity became more pronounced. Mechanical 

testing on corneal strips excised at orthogonal angles showed minimal difference in the 

corresponding stress-strain curves [184]. However, after increasing the strain rate, the 

difference between the strip specimens widened, which may indicate that the rate, in 

addition to the magnitude of the stress, may play an important factor in how the collagen 

fibers align and react during loading. The non-linear stress-strain curve of the cornea 

may also explain the greater inhomogeneity at higher IOPs. 

The planar anisotropy coefficient, rθ, was modified to obtain the relative elastic 

anisotropy of each OCE measured angle. Originally, rθ, was developed to assess the 

quality of rolled steel by calculating the strain of the metal at 0º, 45º, and 90º [201]. 

However, this only provides a single value showing the overall performance of the metal 

by calculating a ratio of the strains of the three measured directions. Consequently, rθ 
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was calculated for each measured OCE angle to quantify the relative anisotropic stiffness 

for each direction rather than for the whole sample. 

In this study, we have not investigated depth-resolved elastic anisotropy. The elastic 

wave velocities were averaged depth-wise, and therefore the stiffness obtained from the 

velocity reflected the elasticity over the entire thickness of the cornea. The depth-wise 

spatial resolution from the group velocity is limited because the wavelength of the elastic 

wave is on the order of millimeters. However, application of spectral analysis of the 

elastic wave propagation (as a function of frequency) can reveal the depth-resolved 

micro-scale elasticity distribution in the cornea [115], which may be able to elucidate the 

depth-dependent changes in the elastic anisotropy of the cornea. 

Only the elastic anisotropy was investigated in this work, which is not fully indicative 

of the biomechanical properties of the cornea. We have recently developed a modified 

Rayleigh Lamb Frequency Equation (RLFE) that can provide the elasticity as well as 

viscosity of the cornea by incorporating the dispersion of the elastic wave and appropriate 

boundary conditions [204]. Future work will involve application of this method to 

determine the viscoelastic anisotropy of the cornea. Furthermore, only the elastic 

anisotropy close to the apex of the cornea was assessed. It has been shown that the 

collagen fibril orientation is distinctly different at the periphery of the cornea as 

compared to the apex [145]. Future investigations will assess the elastic anisotropy of 

the cornea near the limbus. 

Previous OCE investigations have shown a measurable mechanical hysteresis in the 

cornea while cycling IOP [101], which corroborates with our work. However, we have 

also shown that there is a mechanical anisotropic hysteresis, which may mean that the 
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corneal fibril arrangement is semi-permanently altered by elevated IOPs. These results 

warrant future work to understand the degree of re-arrangement and whether techniques 

such as IOP pre-conditioning can affect the mechanical anisotropic hysteresis. 

7.5 Conclusion 

This work has presented a noncontact method of evaluating the elastic anisotropy of 

the cornea at various IOPs. The results show that the anisotropy is minimal at low IOPs 

but becomes readily apparent once the IOP is elevated to 20 mmHg and higher. For 

example, the StDev of rθ increased from 0.60 at 15 mmHg IOP to 1.25 at 30 mmHg IOP 

for virgin corneas, and from 0.72 at 15 mmHg IOP to 3.64 at 30 mmHg IOP for CXL 

cornea. Meanwhile, 2D elastograms of the cornea at various conditions (IOPs and CXL) 

were also provided. Because of the noncontact nature and small excitation force required, 

PhS-SSOCE may be potentially useful for clinically mapping the elasticity of cornea, 

and/or evaluating the anisotropy of the cornea, which may aid in the quantitative 

assessment of ocular diseases, customization of CXL treatment, and evaluating the 

effects of various therapeutic interventions.  
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CHAPTER 8 – Assessing mechanical properties of tissue phantoms with non-

contact optical coherence elastography and Michelson interferometric vibrometry 

In previous chapters, we have demonstrated that OCE is capable to assess the 

biomechanical properties of cornea. However, there is a major limitation for wider 

adoption of OCE, which is the cost. Thus, a low cost system may be able to provide 

sufficient information for accurate elastographic assessment. In this chapter, I compare 

two methods of optical elastography for quantifying Young’s modulus of tissue-

mimicking agar phantoms of various concentrations: laser Michelson interferometric 

vibrometer (LMIV) and phase-stabilized swept source optical coherence elastography 

(PhS-SSOCE). The elasticity of the phantoms was estimated from the velocity of air-

pulse induced elastic waves as measured by the two techniques. The results show that 

both techniques were able to accurately assess the elasticity of the samples as compared 

to uniaxial mechanical compression testing. While the LMIV is significantly more cost-

effective, it cannot directly provide the absolute elastic wave temporal profile, nor can it 

offer in-depth information, which the PhS-SSOCE system can. 

8.1 Introduction 

OCE is clearly capable of assessing the biomechanical properties of tissues 

completely non-destructively [97, 205]. However, OCT setups, particularly phase-

sensitive systems, can be complex and expensive. Simpler and more cost-effective 

techniques such as Michelson interferometer-based laser vibrometery could potentially 

also provide measurements for calculating the velocity of the air-pulse induced elastic 

wave [206]. Laser vibrometry has been successfully used in various applications due to 

its high sensitivity, simplicity, and relatively low cost, which has enabled detection of 
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very small vibrations on the order of the source wavelength. Laser vibrometry was first 

applied in different engineering fields, such as modal analysis, vibration and noise testing, 

characterizing loudspeakers, and assessing piezoceramic transducers [207]. Recently, 

laser vibrometry has gained traction in biomedical and bioengineering applications, such 

as auditory research [208, 209], dentistry [210, 211], cardiology [212-214], as well as 

elastography and rheology [215-220]. 

In this chapter, a PhS-SSOCE system and laser Michelson interferometric vibrometer 

(LMIV), both developed in our lab, were utilized to measure the velocity of a focused 

air-pulse induced elastic waves propagating in tissue-mimicking agar phantoms of 

various concentrations. The Young’s modulus was then quantified from the wave 

velocity and was compared to the stiffness as measured by uniaxial mechanical 

compression testing. The results show that the velocities as measured by both systems 

were very similar, and the estimated Young’s modulus was consistent with mechanical 

testing.  

8.2 Materials and Method 

A home-built focused air-pulse delivery system induced elastic waves in tissue-

mimicking agar phantoms of various concentrations (1%, 1.5%, 2%, w/w, n=3 for each 

concentration) [118] The elastic waves were then detected by the LMIV and PhS-SSOCE 

systems, separately. The air-pulse delivery system was synchronized with the OCE and 

LMIV systems.  
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Figure 8.1. Schematic of PhS-SSOCE experimental setup. 

 

The details of the PhS-SSOCE system has been described in chapter 2. A schematic 

of the experimental setup is displayed in Fig. 8.1. Further details about the PhS-SSOCT 

system can be found in our previous work [91, 113].  The experimental acquisition and 

data processing methods are detailed in our previous work [116]. Simply, successive M-

mode images were acquired in a line, and the M-mode frame trigger was synchronized 

with the air-pulse so that effectively, the same elastic wave was imaged. 

LMIV schematic is depicted in Fig. 8.2. The LMIV employed a Helium-Neon (HeNe) 

laser with wavelength of 633 nm and output power of 1.5 mW (model 31005, Research 

Electro-Optics, Inc., Boulder, CO). The output of the HeNe laser was expanded and 

collimated to 90% of the objective lens aperture to maximize photon collection. The light 

beam was then split into sample and reference arms using a 50:50 non-polarizing cube 

beam splitter. In the sample arm, the beam was transmitted through a 10X microscope 
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objective and focused on the sample surface. In the reference arm, the beam was directed 

to a matching 10X microscope objective and focused onto the surface of a silver mirror. 

After the reflected light beam passed through the beam splitter, the interference signal 

was detected by a silicon photodetector (model DET100A, Thorlabs, Inc., USA). The 

temporal intensity output from the photodetector was captured by a digital oscilloscope 

(model DS4014, Rigol Inc., USA). The air-pulse stimulation and the data acquisition 

were synchronized by a TTL signal, which was provided by a digital pulse generator 

(model 575, BNC Inc., USA). The system was assembled on a 3-inch thick optical 

breadboard and supported with four sorbothane isolation pads to maximize system 

stability and minimize environmental noise. During the LMIV measurements, all data 

was acquired with the same acquisition window and oscilloscope sampling settings. Six 

co-linear measurements positions were recorded on each sample, and the distance 

between two adjacent positions was 1 mm. The time t for the wave to propagate from a 

reference measurement position to each location was obtained by cross-correlation 

analysis. The elastic wave velocity, c, was then obtained by the inverse slope of the linear 

fit of the propagation distances, Δd, to the elastic wave propagation delays, Δt [221]. 

Since the tissue-mimicking agar phantoms can be treated as an isotropic 

homogeneous elastic material, the Young’s modulus [222], E, was estimated using 

equation 2.3 [113, 120, 122], and the density of phantom was taken as 1.02 k/gm3, and 

Poisson ratio was set as 0.49 [100, 120]. For all experiments, the output pressure of the 

air-pulse was ≤ 10 Pa. Uniaxial mechanical compression testing (model 5943, Instron 

Inc., MA, USA) was performed on the same samples after OCE and LMIV measurement 

[122]. 
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Figure 8.2 Schematic of LMIV experimental setup 

 

8.3 Results 

Fig. 8.3 shows typical 1% agar phantom surface response signal to air-pulse at 

various positions during OCE (Fig. 8.3(a)) and LMIV (Fig. 8.3(b)) measurement. During 

OCE measurements, 501 M-mode measurements were acquired over 6.9 mm. Fig. 8.3(a) 

shows typical surface responses to the air-pulse stimulation at OCE measurement 

positions which were 0.1 mm apart, and the first acquisition position was 1 mm away 

from the excitation position. During LMIV experiments, the first measurement position 

was also 1 mm away from the stimulation position, but successive measurement positions 

were 1 mm apart as depicted in Fig. 8.3(b). 
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Figure 8.3. Sample surface responses of a 1% agar phantom recorded during (a) OCE and (b) 

LMIV experiment at the indicated distances from the air-pulse excitation. 

 

Figure 8.4 shows the elastic wave propagation velocity as measured by both systems. 

The group velocity as measured by OCE was 1.72±0.25 m/s, 3.41±0.49 m/s, and 

5.11±0.26 m/s in the 1%, 1.5%, and 2% agar phantoms, respectively. The velocities 

measured by the LMIV from the same agar samples were 1.75±0.03 m/s, 3.66±0.26 m/s, 

and 5.13±0.28 m/s, respectively. Statistical testing by a paired t-test showed no 

significant difference between the two systems (P = 0.90, 0.25, and 0.89 for the 1%, 

1.5%, and 2% phantoms, respectively – all over 5%). 
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Figure 8.4.  Elastic wave propagation velocity measured by OCE and LMIV. Statistical testing 

was performed by a paired t-test to demonstrate that the velocity measurements made 

by both systems were not different. The respective P-values are labeled. 

 

 

Figure 8.5. Young’s modulus (E) estimated by the OCE system, LMIV, and as measured by 

mechanical testing (MT). 
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Figure 5 shows the Young’s modulus (E) of the samples estimated based on the OCE 

and LMIV measurements using equation 2.1 and as measured by “gold standard” 

mechanical testing system. The Young’s moduli of the 1%, 1.5%, and 2% agar phantoms 

as estimated by OCE were 8.01±2.3 kPa, 31.39±9.19 kPa, and 69.45±7.07 kPa, 

respectively. The elasticities as quantified by the LMIV were 8.12±0.28 kPa, 35.69±5.07 

kPa, and 70.14±7.57 kPa for the 1%, 1.5%, and 2% phantoms, respectively. The stiffness 

of the same samples was also measured by mechanical testing (MT), which resulted in a 

stiffness of 9.46±0.43 kPa, 45.34±2.32 kPa, and 89.25±9.4 kPa for the 1%, 1.5%, and 2% 

samples, respectively.  

8.4 Discussion 

The shape of the displacement as measured by the LMIV (Fig. 8.3(b)) was somewhat 

similar to the displacements detected by the OCE system in this work (Fig. 8.3(a)) and 

previous work [113, 122]. The differences in the shape of the temporal profiles can be 

attributed to the different ways of each technique to measure the displacement of the 

sample. OCE measures the optical path difference between sample and reference arm, 

and the LMIV measures the intensity of light reflected from the sample surface. More 

specifically, the elastic wave may undulate similar to a wave in water, and the resulting 

change in sample surface geometry relative to incident beam may explain the kink during 

the inward process. Furthermore, OCE can easily provide absolute displacement, which 

can be used in other OCE techniques, such as compressional OCE for stress/strain 

analysis [223].  

Statistical testing via a paired t-test showed that there was no significant difference 

between the velocities measured by both systems, with P = 0.90, 0.25, and 0.89 for the 
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1%, 1.5%, and 2% phantoms, respectively (Fig. 8.4). However, the LMIV can only 

measure the wave propagation at the surface of the sample since internal scattering is 

dominated by the specular reflection from the surface. In contrast, OCE can provide 

depth-resolved elasticity measurements [115]. To further demonstrate the depth-resolved 

elasticity characterization by OCE, a sandwich-type agar phantom was constructed with 

a 2% agar layer between two layers of 1% agar (Fig. 8.6). Because the air-pulse induced 

elastic wave wavelength is large, spectral analysis was utilized to provide depth-resolved 

elasticity assessment [115], and all three layers were differentiated successfully. Figure 

8.6 shows the phase velocity of the air-pulse induced elastic wave at 180 Hz. The 

boundary layers are marked by the dashed red line.  

The Young’s moduli estimated from the group velocities were smaller than as 

measured by mechanical testing. However, this is in agreement with our very recent 

investigation and can be explained by assumptions about sample geometry in Eq. 8.1 and 

the non-linearity of the agar stress-strain curve [122]. 

The LMIV can provide very rapid detection of elasticity since the data acquisition 

and post-processing are minimal. During OCE study, 501 successive M-mode images 

were acquired at 100 ms per M-mode image, resulting in an acquisition time of 

approximately half a minute. However, due to the large data size, the post-processing 

time can be on the order of several minutes. Since each OCE measurement position 

results in a longer acquisition time and more data, there is an intrinsic trade-off between 

spatial resolution and acquisition and processing times. Lateral measurements in the 

LMIV system were made by translating the sample, whereas the galvanometer-mounted 

mirrors were used to make measurements at the transverse locations in the OCE system. 
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An automated motorized linear stage would dramatically speed up the acquisition time 

of the LMIV, but the speed would be limited to ensure that no damage was caused to the 

sample or that there was no slipping of the sample. Hence, elastographic measurements 

made with OCE are simpler because the probe beam is moved and not the sample. 

Furthermore, the LMIV requires precise alignment in order to capture the reflected 

photons. Moreover, OCE can provide a depth-resolved image of the sample, making 

alignment significantly easier. 

 

Figure 8.6. Phase velocity of the air-pulse induced elastic wave at 180 Hz in a sandwich-type 

agar phantom (top) with OCT image of the phantom (bottom). The layer boundaries 

are marked by the dashed red line. 

 

In this study, successive M-mode images were acquired and an air-pulse excitation 

was synchronized with each measurement. This technique may not be feasible for in vivo 
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cornea measurement due to multiple excitations and the extended acquisition time, which 

may lead to excessive laser exposure. However, we have recently developed a technique 

that takes advantage of recent advances in OCT sources by directly imaging the 

propagation of an air-pulse induced elastic wave. Here, only a single excitation was 

necessary for a line measurement and the MPE limit for the sample (cornea) was not 

exceeded [160]. However, the spatial and temporal resolutions were still limited as 

compared to the OCE technique described in this work. Recently, GPU-accelerated 

compressional OCE has been demonstrated, enabling near real-time 3D elasticity 

assessment [203]. Combining high-performance computing would drastically reduce the 

processing time of the OCE post-processing and would also enable near real-time 

characterization of tissue biomechanical properties and is currently under development. 

Another core issue for comparison of the two techniques is the cost. The approximate 

total costs of building the OCE and LMIV systems are listed in Table 8.1. The LMIV 

system is approximately one-tenth the cost of the OCE system. The LMIV system 

requires a simple HeNe laser, whereas the OCE system requires a broadband low 

coherence swept source laser. As the LMIV system is an open space system, there are no 

expensive fiber based components. Fiber optical components are becoming more 

mainstream and prices continue to decrease. However, the price disparity will still exist 

due to the sheer difference in complexity of the two systems.  
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Table 8.1. Approximate cost in $US of the OCE and LMIV systems used in this study 

 OCE  LMIV 

Light source $ 20000 $ 850 

Optical components $ 4500 $ 2550 

Scan $ 2850 $ 0 

Control unit $ 6500 $ 600 

Data acquisition $ 10000 $ 150 

Data Processing $ 3000 $ 500 

Total cost $ 46850 $ 4650 

 

8.5 Conclusion 

In this chapter, we have utilized two optical techniques, laser Michelson 

interferometric vibrometry (LMIV) and optical coherence elastography (OCE) to assess 

the elasticity of tissue-mimicking agar phantoms. A focused air-pulse induced elastic 

waves in the samples, which were then detected by the two techniques. The stiffness of 

the agar phantoms as quantified from the velocity were measured by the LMIV and OCE 

systems was in good agreement. The LMIV system was significantly less complex and 

expensive as compared to the OCE system, but the LMIV system cannot provide-depth 

resolved elasticity assessment. Therefore, if depth-resolved elasticity or high spatial 

resolutions are not necessary, then LMIV may be a simple and cost-effective technique 

to measure the elasticity of tissues completely noninvasively. 
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CHAPTER 9 – Conclusion 

This dissertation demonstrates a series of developments of detection methods to 

assess the biomechanical properties for both biological and medical applications, with a 

focus on the development of novel noncontact optical coherence elastographic 

techniques for noninvasive characterization of corneal biomechanical properties. 

Specifically, the work can be summarized into the following seven chapters: 

1) Characterization of the biomechanical properties of tissue mimicking phantoms, an 

ocular phantom, and mouse cornea in vivo;  

2) Assessment the biomechanical properties of mouse corneas of different ages in vivo;  

3) The development of a method to spatially map the localized elasticity of the rabbit 

cornea in situ after partial CXL;  

4) Rapid characterization of the biomechanical properties of in situ porcine corneas 

before and after CXL at different IOPs;  

5) The development of method to differentiate UT and CXL porcine corneas of the same 

measured stiffness;  

6) Evaluation of the effects of CXL on porcine corneal mechanical anisotropy;  

7) A comparison of two optical techniques for assessing the mechanical properties of 

tissue phantoms: OCE and LMIV. 

This dissertation represents the frontier of the emerging field of OCE from both the 

development of techniques and their applications. The contributions of this dissertation 

research lie in biomedical optics and are mainly reflected in providing low-coherence 

optical methods and techniques, which are capable of assessing the biomechanical 

properties of the cornea with information at a scale that could not be achieved with 
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current imaging and sensing approaches. The work presented in this dissertation can act 

as a foundation for the further development and the future applications of the proposed 

methods and techniques in basic biological studies as well as clinical or preclinical 

environment.  

Although the techniques presented in this dissertation were based on the demand to 

assess the biomechanical properties of cornea, these techniques also can be used to 

characterize other soft tissues, such as skin, kidney, crystalline lens, cartilage, tumor, and 

so on. 
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