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The mechanical properties of tissues and implants contribute to their physiological 

functionality, and have been vast areas of research in fields such as Dermatology, 

Cardiology, Neurology, Ophthalmology, Orthopedics and Urology. Several tests and 

modalities have been used to measure the mechanical properties of tissues and implants 

including tensile, compressive, shear, and bending in one or more axial directions. 

However, majority of these tests are destructive, rendering the material unusable post-

testing; whereas most of the non-destructive imaging modalities such as magnetic 

resonance imaging (MRI), nuclear magnetic resonance (NMR) and ultrasound are costly 

and have lower spatial resolution. Optical coherence tomography (OCT) is an optical 

imaging modality that provides high-resolution images and has been extended to optical 

coherence elastography (OCE) in various embodiments to compute the mechanical 

properties of biological tissues. The application of elastography in computing 

biomechanical properties of tissues such as elastic moduli generally excludes the viscosity 

component of the tissues. The computation of viscoelastic properties using OCE is still in 

a nascent stage but has a promising future. 
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The primary goal of this dissertation was to develop and engineer a vibrational OCT 

system that performs nondestructive computation of viscoelastic properties of monophasic 

and composite biological tissues and implants. The underlying hypotheses of this 

dissertation are: i) the modulus of a tissue computed by using its resonant frequency will 

be comparable to its elastic modulus obtained from the uniaxial tensile testing method; ii) 

the resonant frequency and thereby the computed modulus will vary with strain; iii) tissues 

will demonstrate elastic and viscoelastic properties when pulse-vibrated at resonant and 

non-resonant frequencies, respectively; and iv) the moduli obtained from the vibrational 

OCT setup will differ between healthy and diseased tissues. 

To validate the efficacy of vibrational OCT system to measure elastic modulus of mono- 

and multi-phasic biological tissues, a benchtop OCT system with an external speaker was 

set up to vibrate clamped samples with a continuous sinusoidal force at different strains. 

The resonant frequency of the samples was identified by observing the speaker-induced 

tissue displacements over a frequency range of 50 to 1000Hz, and their physical 

dimensions were used to determine their elastic moduli using the vibrational setup. These 

moduli were almost identical to those obtained using the gold standard method of uniaxial 

tensile testing. Multiphasic samples (bovine cartilage and pigskin) exhibited multiple 

resonant peaks. 

In order to compute viscoelastic properties of tissues, the calibrated vibrational OCT setup 

was modified to generate a burst of 3 cycles of sinusoidal input waves. The samples 

demonstrated response similar to that of an underdamped system. The half-power 

bandwidth method was utilized to determine the loss modulus percent of the samples at 

different strains. The results showed that the viscous component of the dermis is strongest 

under 100Hz and that the materials exhibit almost purely elastic response at resonant 

frequencies. 
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The vibrational OCT setup was also used to characterize/ differentiate chorionic plate 

tissues from human placentas belonging to early term, normal and abnormal pregnancies. 

Each group showed distinct biomechanical properties reflecting altered tissue 

compositions across time and disease state. 
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CHAPTER 1: INTRODUCTION 

The overarching aim of this dissertation was to develop and validate a nondestructive 

technique to measure viscoelastic properties of biological tissues based on their resonant 

frequencies using a vibrational OCT setup. This chapter provides the background and 

motivation behind this dissertation. It begins with an overview of the molecular and fibrillar 

basis of the mechanics of collagen and skin, followed by the importance of biomechanical 

testing of tissues and the shortcomings of the most commonly used methods of 

performance of biomechanical testing. This is followed by a discussion of the basic 

principles of OCT and some of its current biomedical applications. The basics of the 

human placenta are then introduced along with the importance of studying its 

biomechanical properties. 

Structure and function of skin 

Skin, the largest organ of the human body, is a complex multilayer tissue that mainly 

consists of two layers: epidermis and dermis (Figure 1) [1]. The epidermis that serves as 

the main protectant from environmental influences is a 75-150µm thick layer that mainly 

comprises outward migrating cells known as keratinocytes. The other cells found in the 

epidermis are melanocytes, Langerhans cells and Merkel cells [2]. The dermis is an 

extremely soft and viscous fibroelastic connective tissue layer that spans 1-4mm in depth 

and performs the primary physical, physiological, neurological and metabolic functions [1]. 

It constitutes the bulk of the human skin and contributes to 15-20% of the total body weight 

and consists of collagen, elastin, reticulin and a supporting matrix. Collagen comprises 

about 75% of the fat free dry weight and 18-30% of the volume of dermis [2,3]. A network 

of elastin is interspersed among the bundles of collagen that restores the normal fibrous 

array post- deformation caused by external mechanical forces. The undulated collagen 

fibrils get straightened at higher extension rates. The supporting matrix is composed of 
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glycosaminoglycans, long chains of polysaccharides that form a gel that retains moisture 

in the dermis, even under high pressure. The thickness of each skin layer varies with age, 

anatomical location and/or hydration [4].  

 

Figure 1. Different layers seen under a cross-section of human skin 

 

The dermis can be further subdivided into two anatomical regions: the papillary dermis 

and the reticular dermis (Figure 1). The papillary dermis is the thin outermost layer of 

dermis comprising smaller and loosely distributed elastic and collagen fibrils, and 

constitutes ~10% of its thickness. The reticular dermis constitutes the greater bulk of the 

dermis and contains dense collagenous and elastic connective tissue with a relatively 

small quantity of cells and veins. 
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The human skin serves several functions including: a) protection from physical, biological 

and chemical external influences; b) maintenance of homeostasis and water balance 

through thermoregulatory secretory activity; c) transmission of information about external 

influences obtained through sensory reception; d) biochemical synthesis of essential 

vitamins and hormones. Furthermore, the skin also plays a minor role in the respiration 

through the exchange of gases with the environment [5]. The interwoven network of 

collagen and elastic fibers, along with fibroblasts, hair follicles, sweat glands, and neural 

circuitry, provide skin the structural and mechanical support, and subsequently allow it to 

perform its crucial functions [1]. The shape-defining characteristic of the skin is largely a 

result of its macromolecules including elastin and collagen [1,6]; whereas the collagen 

fibrils in the upper and lower layers of dermis are responsible for the storage of mechanical 

energy associated with gravity or impact loads and transmission and dissipation of this 

energy [6–9]. 

Almost 70-80% of skin’s dry weight constitutes of collagen, and ~80% of that total collagen 

content is type I collagen; type III collagen accounts for 15%, and the remaining 5% are 

of other collagen types, including IV, V, VI, VII XII, and XIV [6,10]. Collagen types I and III 

form the base of the fibril network and are responsible for most of the skin’s mechanical 

properties. The other collagen components provide stability to the skin and are affected 

by mechanical loading. Prevention of tissue failure by withstanding deformation and 

energy dissipation is the major function of the collagen fibers and the structures formed 

by them [1,11–15].  

Human skin is viscoelastic as evident from the biphasic response of typical stress–strain 

curves comprising linear low- and high-strain regions [10,14,15]. Skin primarily behaves 

as an elastic material in the low-strain or toe region. This behavior is attributed to the 

elastic fibers that recover small strains in the collagen network [9,11,14]. Straining the 
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tissue beyond the toe region, aligns the collagen fibrils and employs them to absorb and 

store the strain energy [14–17]. At higher strains, a viscous component is implicated in the 

energy dissipation of an applied load through molecular sliding of collagen fibrils in the 

extracellular matrix (ECM) [12,14,15]; whereas, the elastic component is responsible for 

shape recovery after deformation by axial stretching of the triple helix and energy storage 

through the changes in the pitch of the triple helix caused by the stretching of flexible 

regions in the collagen triple helix [12,14,15]. Electrostatic interactions among the charged 

residues of the flexible regions of the collagen triple helix have also been associated with 

other significant functions of skin such as mineralization and signal transduction [18]. 

This viscoelastic nature of the skin presents a considerable challenge in testing its 

biomechanical properties. Various techniques have been developed for in vivo and in vitro 

biomechanical testing of skin; however, different experimental conditions alter the natural 

state of the skin differently and thereby report elasticity values with vast discrepancies 

[19–21]. This calls for a need of a testing method that can measure the biomechanical 

properties of the skin whose results correlate with those of standard tensile testing 

methods. 

Collagen 

Collagen is a major protein found in all connective tissues including bone, skin, tendon 

and cartilage. They are a large family of structural proteins found in the ECM of all 

vertebrates and invertebrates and account for one-third of ECM’s total protein mass [22]. 

They not only provide the structural support but also impact cellular behavior and gene 

expression via interactions with other matrix proteins and receptors.  

Each of the collagen types plays a unique structural role in the ECM. However, all of them 

have the characteristic triple helical component as a part of their structure. Type I, II and 

III form fibrils are the most abundant collagens and have continuous gly-X-Y amino acid 
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repeats of ~1000 amino acid residues. Other collagen types contain smaller continuous 

regions of gly-X-Y in their triple helices and are collectively termed as non-fibrillar 

collagens that play a role either in association with the fibers (fibril associated collagens 

with interrupted triple helices), in networks (e.g.: types IV and VIII) or in linking structures 

(e.g. type VII). In mammals, individual collagen triple helices, known as tropocollagen, 

assemble in an intricate, hierarchical manner and eventually lead to macroscopic fibers 

and networks found in tissue, bone, and basement membranes (Figure 2) [23]. The 

structural hierarchy and mechanical properties of type I collagen vary for different tissues; 

however, the ultimate tensile strength of tissues containing type I collagen has been 

shown to correlate with fibril and fiber diameters [24].  

Mechanochemical transduction is the process that influences the biochemical and genetic 

responses of cells and tissues through external forces such as gravity. Specifically, these 

responses include stimulation of cell proliferation or apoptosis, and synthesis or 

catabolism of the ECM components [25]. These processes lead to either an increase the 

in chemical energy (conversion of amino acids or other small molecules into 

macromolecules) or a decrease in chemical energy (depolymerization of 

macromolecules). 

Collagen fibers are essential for vertebrates to achieve effective locomotion, and for tissue 

regeneration and repair through mechanochemical transduction [12,14–16,25–28]. For 

effective locomotion, vertebrates should be able to develop muscular forces, store elastic 

energy, and transfer this energy to the attached joints. Furthermore, they should be 

capable of transferring the post-movement residual energy from the joints back to the 

muscles where it can be dissipated as heat [25,29]. During the normal gait cycle in 

vertebrates, the tendons that are stretched post-impact with the ground store potential 

energy as strain energy. Additionally, elastic recoil by these tendons converts most of the 
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stored energy into kinetic energy [30,31]. Normal aging, and wear and tear from diseases 

involving ECM collagens are commonly associated with a decreased energy storage and 

dissipation [28,32]. Energy storage, transmission and dissipation in ECMs are closely 

related to molecular changes to collagen molecules, fibrils, and fibers [25]. 

 

Figure 2. Biosynthetic route to collagen fibers [33], which are the major component of 

skin. Size and complexity are increased by posttranslational modifications and self-

assembly. For fibrillar collagens, the ~ 300nm long triple helical molecules are staggered 

by ~ 67nm, a length known as D period, to form a quarter-staggered structure known as 

a collagen microfibril. The distance D, a characteristic fingerprint of a fibrous collagen, is 

made up of a hole region of about 0.6D and an overlap region of about 0.4D [Adapted 

from Shoulders and Raines, 2009] 
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Collagen fibers are viscoelastic and portray time-dependent mechanical behavior. 

Viscoelasticity may play in important role in helping collagen in musculoskeleton to prevent 

impact loads; however, it complicates studying the ECM behavior as most real-time tests 

on these tissues contain both elastic and viscous contributions [14]. The elastic behavior 

of collagen fibers depends on their orientation, rate of loading and quantity of other 

constituents in the tissue and can range from as high as about 90% of the total stress for 

tendon to as low as about 50% for skin [14]. 

Collagen properties including non-toxicity, quick resorption into the body, promotion of cell 

attachment and interaction within cells, providing direction of cell orientation and minimal 

immune response even when transplanted into hosts from different species, make it an 

ideal biomaterial. Moreover, it can be fabricated in various forms such as sheets, gels etc., 

and can be chemically crosslinked or combined with other biological or synthetic materials 

to alter its mechanical properties or cell behavior to specific applications of interest [34,35].  

Collagen is a commercial medical product that can be a part of a medical device or 

reconstituted from different sources and be used for various biomedical applications like 

tissue engineering and cosmetic surgery. Collagen has found applications in various 

medical fields like wound dressings, tissue augmentation in dermal applications, 

bioprosthetic heart valves in cardiology, collagen based sutures in surgery and even in 

treatment of urinary incontinence [36]. Collagen is typically extracted from human 

cadavers or animal sources especially bovine for most of these applications. However, 

there is a need for reliable biomechanical testing methods for assessing the properties of 

these allografts and xenografts post-treatments that alter their biological properties and/or 

sterilize them. 



8 
 

 
 

Biomechanical Testing 

ECMs are multicomponent tissues that transduce internal and external mechanical signals 

into changes in tissue structure and function through a process termed mechanochemical 

transduction [25,26,37]. Mechanical loading plays a vital role in vertebrate development, 

evolution, tissue maturation and development of tissue fibrosis during wound healing 

[26,27,38–42]. Abnormal mechanochemical transduction processes may also lead to 

tissue fibrosis in diseases such as osteoarthritis [27] and cancer [43]. Since the fibril-

forming collagens are the major structural components of ECM, it is important to 

understand the mechanical properties of fibrous collagen. 

Various in vitro and in vivo techniques have been used to evaluate the mechanical 

properties of biological tissues over the last four decades [8,14,44–48]. Classical in vitro 

techniques include tensile, compressive, torsional and bending methods, and use various 

loading and/or unloading settings such as constant rate-of-strain deformation and 

incremental stress-strain analysis. The results obtained from in vitro techniques are most 

reliable and can provide basic estimates of mechanical properties like strength, elasticity 

or density inherent to tissue architecture. However, they are destructive to the tissue and 

also have a limited translation to the in vivo state, where the complex interactions of the 

tissue with its surroundings need to be considered. In vivo testing methods can be majorly 

divided into static (single modulating stimulus) and dynamic (cyclical stimulus or moving 

test sample) testing methods. The static testing methods employ uniaxial and biaxial 

tensile, indentation and rotational straining methods. The dynamic testing methods include 

ballistometric test [49], shear wave propagation [50], mechanical impedance test [51] and 

dynamic suction tests [52]. The results of some of these techniques are not in the form of 

modulus, but rather in terms of other physical parameters like velocity [50]. Moreover, 

most of these techniques make assumptions such as linear elasticity of the test material, 
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Poisson’s ratio being close to 0.5 and that viscoelasticity does not dramatically affect the 

resulting properties [53–55]. However, most biological tissues (e.g. skin) are non-linear 

and viscoelastic in nature, resulting in vast discrepancies in the values of moduli reported 

in the literature [14,15,55–57]. Also, the upward curvature to their stress-strain curve 

makes a determination of stiffness very difficult since the tangent to the stress-strain curve 

is constantly changing [14,45,58]. For most of the cases, these assumptions are tolerable 

and help to get some sort of basic measure of the biomechanical properties of tissue like 

strain or shear velocity or stiffness relative to the surrounding tissues. However, in some 

cases like a host tissue-implant interface or a local tumor, it is crucial to be able to 

differentiate the normal and abnormal mechanical properties with greater precision and 

better resolution. The measurement of absolute mechanical properties becomes 

imperative in such cases where e.g. an excision of a tumor is based on the diagnosis of 

soft and hard tissue parts.  

There is a need to be able to characterize the mechanical properties of human tissues 

such as skin since this would provide clinicians valuable information concerning the 

mechanical properties of skin with respect to location and the directions of Langer’s lines 

[59]. In addition, changes associated with tumor formation, wound healing, scarring and 

the efficacy of cosmetic and surgical treatments could be evaluated quantitatively. 

Implants 

Beyond the need to mechanically characterize human tissues, it is essential to be able to 

characterize implants that are used as replacements or to augment tissues [45]. Millions 

of allografts, xenografts and synthetic implants are used each year for applications that 

include: bladder regeneration [60], burns [61], breast reconstruction [62], facial cosmetic 

defects [63], hernias [64], ophthalmic defects [65], oral defects [66], cardiovascular tissue 

replacement [67], tendon/ligament repair [68], and vaginal repair [69]. While many studies 
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highlight the use of dermal allografts, questions arise about the effects of processing 

conditions (e.g.: decellularization, decontamination, and viral deactivation) on the 

structure of these tissues and the surgical outcomes. While the bulk of polymers used in 

medicine include polyglycolic acid, polylactic acid, polydimethylsiloxane, 

polytetrafluoroethylene, polyethylene, polyacrylates, polyurethanes and natural polymers 

such as collagen, hyaluronan, alginates and silk [45], their properties vary extensively 

depending on how they are compounded and processed. The use of tissue-derived 

collagen scaffolds for human surgical applications necessitates removal of cellular 

components of the epidermis and dermis before processing into the required forms (e.g.: 

sheets) [70,71]. Changes in the physical structure and mechanical properties occur during 

tissue decellularization process that may affect the resulting strength and healing 

properties of these materials.  

Another consideration is that most allografts do not have the direction of Langer’s lines 

marked, making it difficult for the surgeon to orient the collagen fiber in the allograft with 

that of the host tissue. The surgical revisions required due to mechanical mismatches at 

the implant-tissue interface and failures result in additional surgical costs of billions of 

dollars every year in terms of lost work time and increased health care expenses. The 

alignment of the host tissue and allograft Langer’s lines is necessary to minimize stress 

concentration at the interface the failure of which can lead to cellular invasion and 

remodeling of the allograft and may eventually cause premature graft failure due stress 

concentrations and up-regulation of mechanotransduction [25]. Additionally, the 

deformability of decellularized dermis in the direction perpendicular to Langer’s lines is 

much lower than normal skin (10-15 % versus in excess of 40% in skin). This can lead to 

stress concentration and excess host tissue deformation at the implant-tissue interface.  
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The current state of biomechanical testing of implants and allografts in mostly destructive 

mechanical testing [72,73]. The availability of a nondestructive biomechanical testing 

apparatus can help the clinicians and surgeons to test the implants in the same room and 

get a clear understanding of the strength and stiffness of synthetic sutures, wound 

dressing materials, bandages, vascular grafts, and artificial valves are essential to prevent 

premature mechanical failure of medical devices and implants. 

OCT  

OCT is an imaging modality that provides noninvasive real-time cross-sectional images of 

complex media with a resolution of <15μm and a depth of 2-3mm [74]. The OCT images 

are of higher resolution as compared to MRI or ultrasound, making it of particular interest 

in biomedical applications like histopathological, ophthalmic, cardiologic and cancer 

diagnoses [53,75–79]. OCT images are generated by computing the differences in 

backscattered light of the underlying tissue structures in response to a near-infrared (NIR) 

beam [75,79,80].  

The principles of OCT are often compared to those of ultrasound. With ultrasound, a sound 

wave is transmitted into the tissue, and the echo time delays and amplitudes of the 

backscattered sound wave that are the characteristics of the sample’s internal structures 

are determined [79]. With OCT, a NIR light is transmitted and the refractive index 

mismatch between different structural components of the tissue lead to detectable 

differences in backscattered light intensity [79]. The significantly higher speed of light 

makes it impossible to directly measure the echo time delay, as is done in ultrasound [79]. 

Thus, low-coherence interferometry is used to evaluate the echo time delay by comparing 

the light received from the sample and a reference path of known length and time delay 

[79]. A single “A-line” of the sample is acquired by modifying the reference path length 

[81], and an image (“B-scan”) is generated by collecting multiple A-lines across the 
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sample; both of these factors result in a slow acquisition time of a few frames per second 

[81,82].  

 

Figure 3. Working of SD-OCT system. The light from a low coherence light source is split 

and collected back to the beam splitter. The reference arm consists of a stationary mirror. 

The grating-based spectrometer measures the interference signal as a function of 

wavelength, λ. The spectral data is rescaled and resampled evenly in k-space, before it is 

Fourier transformed to get the sample depth profile or A-scan. A lateral scan captures 

multiple A-scans and creates a cross-sectional image or a B-scan.  

Obtaining real-time imaging with reasonable resolution and acquisition rates using this 

time-domain approach requires mechanically and optically complex reference arm 

designs [83]. This can be overcome by using the Fourier Domain OCT, where the 

interferometric signal is acquired as a function of optical wavenumber [81,83,84]. This can 

be achieved by either using: 1) a broadband light source with a spectrometer for detection 

(“spectral-domain OCT” or SD-OCT, Figure 3), or 2) a single photodiode detector with a 

wavelength-swept narrowband light source (“swept-source OCT” or SS-OCT) [82]. Both 

the approaches yield an interferometric signal as a function of optical wavenumber, I(k), 
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and taking the Fourier transform of I(k) gives backscattered intensity as a function of depth, 

I(z) [82,84], and consequently generate an A-line. By transverse scanning, multiple A-lines 

can be acquired to produce a final cross-sectional image. 

The use of a broadband light source in SD-OCT makes it possible to obtain the 

backscattered intensity as a function of depth for the entire length of an A-line all at once, 

without the need to scan the reference arm as in time-domain OCT (Figure 3). As 

mentioned earlier, many A-lines can be collected by transverse scanning of the source 

beam and produce a B scan or image, or even a volumetric data by scanning in the third 

dimension. The simultaneous acquisition of all the intensities of complete A-line 

significantly speeds up acquisition time, making SD-OCT more sensitive to detection of 

weak signals, and thereby more suited for clinical applications [84]. 

Elastography 

Elastography utilizes medical imaging to measure the tissue deformation from an applied 

load and relates the deformation to a mechanical property like stiffness or elasticity, which 

is then mapped onto an image. Techniques including ultrasound elastography (UE), 

magnetic resonance elastography (MRE), OCT and OCE have been used to study the 

dynamic mechanical properties of tissues in health and disease [75,80,85–91]. Initially 

developed for ultrasound [92] and later on for magnetic resonance [87], elastography is 

now clinically used for applications such as monitoring of liver disease [93] and diagnosis 

of breast lesions [94]. The spatial resolution of these techniques ranges from a tens of 

micrometers [95] to several millimeters [86], allowing visualization of micro- and macro-

scale tissue features.  

Palpations have been a time-tested diagnostic tool for physicians to feel and differentiate 

abnormal and normal tissues based on their mechanical properties that widely vary among 

different physiological and pathological states. For instance, the use of palpation to detect 



14 
 

 
 

the relative hardness of malignant breast cancer tumors [96] and the use of a simple touch 

by the surgeons at laparotomy to detect liver tumors that may have been undetected in 

preoperative imaging [97]. However, palpation is applicable only to external organs and 

pathologies, except in case of surgeries, and is qualitative and highly subjective. The 

inability of the conventional medical imaging techniques, such as computed tomography, 

MRI and ultrasonography of depicting the properties that are assessed by palpation has 

motivated the development of special imaging technologies for quantitative assessment 

of the mechanical properties of tissue. 

Magnetic Resonance Elastography 

MRE is capable of noninvasive assessment of tissue stiffness and has already been 

shown to be beneficial as a clinical tool for the diagnosis of hepatic fibrosis [98] along with 

other potential applications like brain MRE [99] for assessing brain tissue stiffness 

information that may be related to diseases like Alzheimer’s disease, hydrocephalus, brain 

cancer and multiple sclerosis, skeletal muscle MRE to detect a difference in the stiffness 

of muscles with and without neuromuscular disease [100], breast MRE (Figure 4) for 

breast cancer diagnosis [101,102].  
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Figure 4. Breast MRE (a) an axial MR magnitude image of the right breast of a patient. A 

large adenocarcinoma is shown as the outlined, mildly hyperintense region on the lateral 

side of the breast. (b) A single wave image from MRE performed at 100 Hz is shown along 

with the corresponding elastogram (c). (d) An overlay image of the elastogram and the 

magnitude image shows good correlation between the tumor and the stiff region detected 

by MRE. (Reproduced from Mariappan et al., 2010) 

 

MRE has evolved as a consistent, non-invasive technique that produces high-contrast 

elastograms with a large field of view that are of great clinical importance (e.g. Figure 4). 

The mechanical parameters computed from MRE are stiffness, shear velocity and 
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elasticity modulus. New technological advances have made it possible to obtain the 

elastography measures overlaid on the MRI images in a matter of a few minutes. They 

have become the state-of-the-art for detecting liver fibrosis [98,103], and have led to a 

development of commercial MRE instruments like Siemens MAGNETOM™. However, 

there are some technical challenges that prevent the use of MRE from being used as an 

assessment tool for other clinical applications. The spatial resolution of MRE is in mm 

range (Figure 5) and it increases further as the frequency of applied shear waves 

increases. This restricts the use of MRE for smaller tissues where a better spatial 

resolution is required. Secondly, stiffer tissues like bones and cartilages require a higher 

vibration frequency that the current MRE systems cannot handle. Additionally, MRE 

inherits all the other common problems associated with MRI like high-cost and potential 

claustrophobia for obese patients. 

 

Figure 5. Spatial resolutions and fields of view of major elastography techniques. 
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Atomic Force Microscopy based Elastography 

Alternatively, atomic force microscopy (AFM) based elastography methods can probe the 

mechanical properties at the level of a single cell by applying nano-scale indention (Figure 

5) [104]. AFM as an elasticity method is capable of providing the contact force at the level 

of sub-nanoNewton to load the cell membrane and measure the induced deformations 

with sub-nanometer accuracy, making it the primary choice for studies in cell mechanics 

and cell biology [105]. For instance, high-resolution (1-5nm) AFM mapping of the 

mechanical heterogeneities allows the detection of cell pathologies [106]. However, AFM 

elastography has been mainly restricted to cellular mechanics studies due to the limited 

field of view and the measurement procedure [107]. 

Ultrasound Elastography 

UE is the first of the elastography techniques developed to measure the mechanical 

properties of tissues and has been widely developed and used over the years for various 

clinical applications in various embodiments. In general, the UE techniques can be 

classified into a) strain imaging methods that use internal or external compression stimuli 

to provide a qualitative evaluation of Young’s modulus, and b) shear wave imaging (SWI) 

that uses ultrasound-generated shear wave stimuli and provides shear wave speed, 

stiffness and/or Young’s modulus.  

Strain imaging can be further subdivided into: i) strain elastography that utilizes manual 

compression on tissues and is suitable for superficial organs such as breast and thyroid, 

and ii) Acoustic Radiation Force Impulse (ARFI) strain imaging in which the tissue 

excitation is based on internal physiologic motion (e.g.: cardiovascular or respiratory), and 

is therefore suitable for imaging deeper organs. The manually or physiologically applied 

stress is not quantifiable and thus a uniform normal stress is assumed to compute the 

Young’s modulus. An alternative ARFI imaging method applies an external ‘push’ to 



18 
 

 
 

displace the tissue by using a high-frequency, short-duration acoustic pulse perpendicular 

to the tissue surface and then image and measure the displacement in a target region of 

interest. This imaging approach is implemented for example as Siemens Virtual Touch™ 

Imaging. 

In contrast to strain imaging that measures physical tissue displacement parallel to the 

applied normal stress, SWI employs a dynamic stress to generate shear waves in the 

parallel or perpendicular dimensions. Measurement of the shear wave speed results 

provide qualitative and quantitative estimates of tissue elasticity. Currently there are three 

technical approaches for SWI: 1) 1-dimensional transient elastography (1D-TE), 2) point 

shear wave elastography (pSWE), and 3) 2-dimensional shear wave elastography (2D-

SWE). 

1D-TE utilizes a mechanical vibrating device to generate dynamic stress in the form of 

shear waves parallel to the excitation. The stiffness is estimated along an ultrasonic A-line 

in a fixed region that is selected by the ultrasound probe operator. Shear wave velocity is 

measured by the same probe and elasticity is calculated. This is the most widely used and 

validated technique for liver fibrosis assessment [108] and is commercially available as 

FibroScan™ (Echosens, Paris, France). 

pSWE employs ARFI to generate a dynamic stress perpendicular to the tissue surface in 

a single focal location [109]. Shear waves are measured perpendicular to the excitation 

plane and converted to Young’s modulus as a quantitative measure of tissue stiffness or 

elasticity. pSWE imaging can be performed on a conventional ultrasound machine using 

a standard ultrasound probe and can help the operator to visualize and select the region 

of interest using the B-mode. This provides an advantage over the 1D-TE in terms of direct 

visualization of the target tissue region. However, this method does not show a stiffness 
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image. Virtual Touch™ Quantification by Siemens and the Elast-PQ™ by Philips are the 

two commercially available pSWE systems on the market. 

 

2D-SWE employs ARFI to generate dynamic stress in the normal direction in multiple focal 

zones and shear waves are measured perpendicular to ARFI application. The rapid 

interrogation of multiple focal zones that is faster than the shear wave speed creates a 

near cylindrical shear wave cone that allows real-time monitoring of shear waves in 2D 

and results in generation of quantitative elastograms (Figure 6) [110]. This provides the 

operator with the advantage of both anatomical and color-coded tissue stiffness in real 

time. The following commercially available systems use 2D-SWE technology: Virtual 

Touch™Imaging Quantification by Siemens, Shear Wave™ Elastography by SuperSonic 

Figure 6. Supersonic shear imaging of the stiffness during contraction of the hand 

muscles abductor digiti minimi (A) and first dorsal interosseous (B). The scale is in kPa 

of shear modulus. (Reproduced from Bouillard et al., 2011) 
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Imagine, Shear Wave Elastography by Philips, Acoustic Structure Quantification™ by 

Toshiba, and 2D-SWE by GE Healthcare [111,112]. 

Ultrasound-based methods are of particular interest because of the various inherent 

advantages, such as wide availability including at the bedside and relatively low cost. 

However, just like MRE, limited spatial resolving ability of ultrasound imaging, and 

dependency on the signal-to-noise ratio measurement of the tissue displacement, restrict 

the spatial scales of UE at macroscopic level with the organ-size field of view and a typical 

resolution of hundreds of micrometers (Figure 5) [113,114]. Also, despite the wide 

availability of commercial UE systems, core assumptions such as the imaged tissue being 

linear, elastic, isotropic and incompressible, not only neglects the viscosity portion of the 

tissues but also complicates the comparison of shear wave speed measurements among 

different UE vendors that use different excitation frequencies [111,115].  

Optical Coherence Elastography 

OCE is at the forefront of optical elasticity imaging techniques and focuses on the micro-

scale assessment of tissue biomechanics in 3D that is difficult to accomplish with 

traditional elastography methods. OCE is capable of providing real-time high resolution 

images of tissue elasticity (Figure 7) [116,117]. Research based on elastography with 

OCT or OCE has bloomed in the last decade [118–120]. As mentioned before, the first 

step of elastography is to mechanically load and excite the sample. A wide array of 

methods have been used to mechanically load the sample under test using OCE. Just like 

UE, the mechanical loading methods can be static or dynamic, contact or non-contact, 

localized or global, extrinsically applied or intrinsically present and its temporal profile can 

be quasi-static, harmonic or transient [119–125]. The method of measuring the sample 

displacement can be either speckle tracking or phase-sensitive detection, where the latter 
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has significantly improves imaging quality and sensitivity. The following section describes 

in some detail the wide range of specific implementations of the various loading methods. 

 

Figure 7. Spectroscopic MM-OCE in a heterogeneous side-by-side configuration 

phantom. (a) Geometrical model. (b) MM-OCE response at different excitation 

frequencies. (c) At lower frequencies (30 Hz) the soft region within the sample gives a 

higher magnetomotive response while at higher frequencies (315 Hz) the stiff region gives 

a higher magnetomotive signal. (Reproduced from Ahmad et al., 2015) 

 

The first demonstration of OCE by Schmitt employed a static, global, planar compression 

that was induced by an annular piezoelectric actuator and window on the same side of the 

tissue as used for imaging [126]. The key requirement for such methods is the generation 

of comparable displacements across the field of view induced by a uniform application of 

stress across the sample that also results in a simple interpretation of the elastograms 

[127]. This is an issue for curved samples such as the eye or lumens of arteries. The issue 

in the eye has been resolved by using a curved gonioscopy lens has been used [128–

130]. Indentation has been majorly used in the dynamic context as a point source of elastic 
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waves [91,131]. Local quasi-static indentation using a needle with a built-in OCT probe 

has been demonstrated to characterize tissue at depths well beyond the usual OCT 

penetration depth of a few millimeters in tissue [132,133].  

Non-contact loading through use of ultrasound frequencies rapidly becomes problematic, 

due to the high attenuation of ultrasound in air, the high impedance mismatch between air 

and tissue, and the challenge of directly measuring the resulting tissue response in the 

megahertz range [121]. Ultrasound-based loading, to date, has almost exclusively been a 

contact method and has employed ARF, adopted from UE. ARF in OCE makes use of 10s 

μs-10 ms bursts of ultrasound in the megahertz range to modulate the stress induced in 

the tissue. The resulting displacement is detected as the axial displacement along the 

focused ultrasound beam [134–136] or shear wave associated axial displacement that is 

generated by the burst at some lateral offset from the focus [137,138]. It has also been 

shown that acoustic mechanical resonance can be detected along the axial direction by 

scanning the frequency of the amplitude modulation [139]. Shear wave propagation can 

be characterized with the ultrasound beam orthogonal to the OCT beam, a geometry 

suited to a few applications [140]. ARF can apply localized tissue displacements in the 

micrometer range at depths well beneath the surface of the tissue, an order of magnitude 

larger than the OCT resolution; making the ultrasound beam was almost uniform over the 

scanning region. Another benefit of ARF is that it could be integrated into catheter-based 

probes [141]. With technological advancement, such catheters may enable intravascular 

mechanical assessment of the arterial wall, a measurement currently only possible ex vivo 

[142]. However, ARF produces pressures that are large enough to be of safety concern 

for applications in the eye, which has led investigators to adopt a chirped-pulse radar 

method to reduce the peak ARF and numerically compress ultrasound induced shear 

waves post-detection into a short, localized high-pressure pulse [143]. Recent 
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technological innovations in piezo-ceramic materials enabled the realization of high-power 

ultrasound transducers capable of air-coupled ARF excitation in ex vivo porcine cornea 

[144,145], present intriguing possibilities for non-contact OCE. 

Point dynamic loading has shown potential as a source of shear waves, and an attractive 

non-contact localized method is the micro-air puff developed and applied extensively by 

the Larin group [146,147], primarily to the cornea, but also to skin [148], cardiac and 

skeletal muscles [149], fat and soft tissue tumors [150], and kidneys [151]. An air puff 

excitation is similar to ARF in that it can deliver a localized and well-controlled impulse 

stimulus that can be followed by measurement of the tissue displacement or measurement 

of the air puff-induced elastic wave. A major benefit of the air puff is the possibility of using 

very small loading pressures (in the mPa range). However, this method is limited in how 

short the impulse can be, which confines the bandwidth of the elastic waves available for 

quantifying tissue viscoelasticity. Moreover, in contrast to ARF, it is limited to surface 

excitation, and cannot excite the sample internally. 

Recently, elastic waves were induced by the Lorentz force generated from electrical 

current induced by an external alternating-current magnetic field flowing through the 

sample [152]. The inherent conductivity of biological tissues makes it possible to use this 

method for studying not only biomechanical properties, but also electrophysiological 

properties. A related alternative that was investigated by the Boppart group is the use of 

magnetic nanoparticles incorporated into tissues placed in an external magnetic field, to 

act as internal transducers for magnetomotive vibration [153,154]. The use of this method 

makes loading highly localized to individual or aggregations of nanoparticles that gets 

distributed throughout the tissue in the alternating-current magnetic field. The 

nanoparticles can be used to induce elastic waves [155] or to perform spectroscopic 

analysis by sweeping the excitation frequency and finding resonance modes for micro-
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rheological analysis [153]. However, the adoption of this method has been limited due to 

challenges such as very small displacements that can be induced, and the requirements 

of a sufficiently high magnetic field gradient and relatively high concentrations of 

nanoparticle that make it difficult to maintain sufficiently low toxicity for in vivo applications. 

Resonance based OCE techniques have also been reported to quantitatively assess 

biological tissues [139,154]. Empirical models, such as the Kelvin-Voigt and Maxwell 

models, have been widely used to describe the viscoelastic behavior of biological tissues 

[156]. Taking the Kelvin-Voigt body as a base, a biological tissue can be modelled as a 

parallel combination of a linear spring and a dashpot that are representing the elastic and 

the viscous properties of the tissue sample, respectively. For an underdamped harmonic 

oscillator, the material stiffness is known to be directly proportional to the square of its 

natural frequency. In OCE, several loading functions, including the step function [135,153], 

the sine or cosine function [157] and the square pulse [158], have been used for creating 

damped oscillations in the sample. Approaches such as applying fast Fourier transform 

[158] and performing least-square regression [153] have been utilized in OCE to obtain 

the frequency information from the captured temporal dynamics of the sample. 

When modelling a biological tissue using the Kelvin-Voigt model, it is assumed that the 

constant stress applied to the tissue produces constant strain in the spring and constant 

strain rate in the dashpot [156]. Although a simple empirical model can be utilized for basic 

description of tissue’s mechanical characteristics, more adaptive models employing finite 

element analysis [159] could provide more accurate representation of the tissue and 

reduce errors in the quantitative assessment of the tissue elasticity using OCE [135]. The 

assumption of identical or negligible viscosity of the test sample could create artifacts for 

the qualitative OCE imaging methods that utilize natural frequency as the mechanical 

contrast. To date, the OCE techniques based on resonance have been clinically used to 
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either differentiate the tissue types [160] based on the difference of their resonance 

frequencies or used the resonant frequencies to estimate the elasticity modulus [154]. 

However, no calibration studies have been performed to compare the moduli computed 

from the resonance based techniques to other state-of-the-art biomechanical testing 

systems. Commercial devices like Buzz-o-sonic (BuzzMac International, WI, USA) that 

are based on the concept of impulse excitation technique are available in the market. 

These devices utilize a small impulse tool to vibrate an elastic solid in flexure mode such 

in order to determine its resonant frequency, much akin to a tuning fork. The also compute 

the viscoelastic properties of the material using half-power bandwidth methods. However, 

these devices cannot be used to compute the viscoelastic properties of a soft tissue. 

In addition to the direct employment of natural frequency as an indicator, the resonance 

phenomenon has been utilized to create mechanical contrast by detecting strain- or 

displacement-related parameters during the sweep of the loading frequency 

[139,161,162]. Resonance occurs when the external driving frequency equals the natural 

frequency of the tissue, causing increased displacement amplitude or strain. Since tissue 

with varying stiffness appears to have distinct natural frequencies, the spatial mapping of 

the vibration spectrum obtained from resonance based OCE can be plotted as an 

elastogram [161,162]. Alternatively, the natural frequency of the tissue can also be 

estimated through the frequency-sweeping stimulation [139], thus enabling quantitative 

measurement of the tissue elasticity [154]. While the OCE techniques based on tissue 

resonance rely on the same assumptions as the approaches that make direct use of 

natural frequency, relatively more thorough tissue characterization is available over a 

broad spectral range [162]. However, this approach requires processing larger amount of 

hyperspectral data. 
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The specific characteristics of tissue response to the static or dynamic loading determine 

the parameters for measurement. The relationship between these parameters and tissue’s 

biomechanical properties (e.g. elastic modulus) generates the mechanical contrast in 

OCE. Several OCE techniques have been reported for applications in tissue 

characterization of skin, soft-tissue tumor, arterial walls, muscle, cornea and airway wall 

[19,163–167]. However, the unknown distribution of the stress through the sample 

prevents direct quantification of the Young’s modulus, which significantly limits the 

application of OCE techniques employing displacement amplitude or strain methods for 

accurate biomechanical comparison across samples. Also, the potential non-uniform 

distribution of the stress could lead to artefacts in the elastography results. The ability of 

SWE to quantify tissue’s Young’s modulus highly relies on the assumptions made to the 

mechanical performance of the tissue such as the negligible viscosity of the tissue. 

Additionally, the values for tissue moduli reported in many studies are in the kPa range 

[127] as opposed to the MPa range that is expected for biological tissues and polymers 

[13,168]. The primary reasons for this discrepancy may be the assumption of uniform 

stress or other assumptions made about the tissue’s mechanical nature (e.g. linear, 

elastic, homogenous, isotropic) in order to compute elasticity modulus from displacement 

strain or SWE-based methods. The fact that most of the biological tissues are viscoelastic 

makes it a challenge for many of these methods to accurately determine the mechanical 

properties of the tissues as the viscosity component of these tissues has not yet been 

widely studied. Issues like the impact of stress on mechanical contrast and the reporting 

of strain when reporting an elastic modulus, have afflicted both UE and OCE and is still 

an area to be explored [120].  

The ability to characterize tissues and implant materials by measuring the natural 

frequency when a vibration is applied to a substrate is very useful for evaluating tissue 
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pathology or implant properties. In fact, several diseases such as Osteogenesis 

Imperfecta [169] and tumor differentiation [170] are characterized by changes in the 

mechanical properties such as modulus and hardness. However, it is important to be able 

to accurately calculate the value of the modulus since the modulus depends on the exact 

composition of the macromolecular components, their orientation and the degree of 

crosslinking of the components [45]. Thus, it will be of a great clinical impact to develop a 

OCE technique to measure the viscoelastic properties of soft tissues that can be 

successfully correlated to the measures obtained from other state-of-the-art techniques 

for biomechanical testing. 

Placenta 

The placenta, the key interface between the mother and the fetus, is critical for growth and 

survival of the developing fetus. Placental shape and vasculature have been identified to 

differentiate normal and high-risk autism population [171]. Placental histology is widely 

used to diagnose placental abnormalities like intra-uterine growth restriction or acute and 

chronic inflammations [172]. Villus immaturity and chronic fetal hypoxia are common in 

diabetic placentas, resulting in a lower fetal/placental weight ratio as compared to normal 

placentas [173]. Although the basic components (e.g. collagen) and their orientations for 

different layers of the placenta at progressing gestational ages are known [174–177]; the 

normal and pathological ranges of placental biomechanical properties remain largely 

unknown. Despite the extensive use of ultrasound and Doppler imaging in obstetrics and 

gynecology, the biomechanical properties of the placenta have been sparsely studied. 

Shear wave elastography has been recently used to study differences in shear wave 

speeds between perfused post-delivery normal placentas and placentas injected with 

vasoconstrictors and vasodilators and any gross pathologies [178]. However, the study 

was limited to differentiating the normal and growth-restricted placentas in terms of just 
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the difference in the shear wave velocities and the stiffness computed from them. Placenta 

is a large organ that is complex right from its microscopic to macroscopic structures. Given 

its environment, and anatomical and functional changes over gestation, it is imperative to 

study the factors influencing the placenta as they can have great impacts on the 

developing fetus and later on the infant wellbeing. Chorionic plates contain the fetal 

vasculature and form the base for terminal villi. This fetal vasculature is crucial in blood, 

nutrient and oxygen transport between the mother and the fetus. Simpler methods can be 

used to assess the biomechanical properties of the chorionic plates of the placentas. A 

stiffer or a more compliant matrix of the chorionic plate can alter the developing fetal 

surface vasculature of the placenta and may eventually aid or hinder the fetus from 

achieving its optimal growth. If a clinical ground truth is established about the difference 

in the biomechanical properties of chorionic plate tissues from normal and diseased 

placentas, it may provide a path to an early diagnostic tool for adverse placental conditions 

using UE or MRE. 

This goal of this dissertation is to develop and validate a nondestructive biomechanical 

testing method to measure the viscoelastic properties of biological tissues. It will also 

study the moduli of early term, normal and pathologic placental chorionic plates.  
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CHAPTER 2: DEVELOPMENT OF VIBRATIONAL OCT SETUP AND 

MEASURING ELASTIC MODULUS OF MONO- AND MULTIPHASIC 

BIOLOGICAL TISSUES 

Note: Portions of this chapter have been published in the following citations and represent 

the original work of the candidate: 

1. Shah, R., Pierce, M. C., & Silver, F. H. (2017). A method for nondestructive 

mechanical testing of tissues and implants. Journal of Biomedical Materials 

Research Part A, 105(1), 15-22. 

2. Shah, R. G., Pierce, M. C., & Silver, F. H. (2017). Morphomechanics of dermis‐a 

method for non‐destructive testing of collagenous tissues. Skin Research and 

Technology, 23(3), 399-406. 

3. Shah, R. G., DeVore, D., Pierce, M. C., & Silver, F. H. (2017). Vibrational analysis 

of implants and tissues: Calibration and mechanical spectroscopy of multi‐

component materials. Journal of Biomedical Materials Research Part A, 105(6), 

1666-1671. 

Specific Aim 1 

Develop and validate the efficacy of vibrational OCT system to measure Elastic modulus 

of mono- and multi-phasic biological tissues. 

Hypothesis and Rationale 

Elastography techniques including UE, MRE and OCE have been widely adopted for 

imaging and characterizing tissue microstructures in several pre-clinical applications 

[86,89,94,118]. The Kelvin-Voigt models assumed to characterize the tissues using these 

techniques have shown that material exhibits almost purely elastic response when it is 

vibrated at its natural frequency [119,179]. Thus, the resonant frequency of a material is 
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related to its elastic modulus [180]. The resonant frequency of the samples and their 

physical dimensions will be used to determine their elastic moduli using a benchtop setup. 

The central hypothesis of this aim is that the vibrational technique modulus obtained from 

the material’s resonant frequency will be similar to that found using uniaxial tensile testing. 

Multiphasic samples will exhibit multiple resonant peaks. These moduli will be compared 

to those obtained using the gold standard method of uniaxial tensile testing and a 

calibration curve will be generated. 

Experimental Methods 

Sample preparation 

The samples used for the experiments in this thesis included human decellularized dermis, 

chemically treated and untreated human dermis, silicone rubber, pig skin and bovine 

cartilage. All samples except silicone were soaked in phosphate buffer solution at pH 7.4 

for at least 30 minutes before being tested wet at 22oC. 

Silicone rubber sheets were produced by mixing polydimethylsiloxane base material with 

a curing agent and allowing the mixture to harden in a 100 mm diameter petri dish. 

Polydimethylsiloxane (PDMS, silicone) samples were fabricated from a 2-part kit (Corning 

Sylgard-184) by mixing silicone base and curing agent in varying proportions, relative to 

the standard ratio of 10:1. Samples with a cross-sectional area of about 0.8 cm2 were cut 

to an initial length (6 cm) and width (2 cm). 

Decellularized human dermis was obtained from the tissue as described previously [18]. 

Additional decellularized human skin samples were treated with carbonate/dicarbonate 

buffer and glutaric anhydride to alter the charge density of collagen. Three sets of 

decellularized dermal samples were tested in this study: 1) decellularized dermis (dermis), 

2) carbonate/dicarbonate controls (control dermis), and 3) glutaric anhydride treated 
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dermis (treated dermis). 

Three samples of depilated pigskin, with a thickness of ~2 mm, composed of epidermis 

and dermis, were obtained at slaughter from Spear Products (Coopersburg, PA) and 

stored at 4oC. Three bovine femoral cartilage and subchondral bone samples with a 

thickness of approximately 1mm were obtained from Spear Products (Coopersburg, PA) 

and stored at -4oC until it was tested. Samples were thawed and soaked in phosphate 

buffer at pH 7.4 for at least 30 minutes before testing at 22oC. Cartilage was removed from 

the subchondral bone by mechanical scraping using a surgical blade to evaluate the 

mechanical properties. The length, width and depth of all the samples were measured 

using digital calipers and the weight was measured using an electronic scale. 

OCT system setup and Vibrational testing 

 

Figure 8. Vibrational OCT testing benchtop setup 

A benchtop spectral-domain optical coherence tomography (SD-OCT) system with an 

external speaker was set up to vibrate clamped samples at different strains ( Figure 8). 

Transverse forces were applied to the sample by positioning an acoustic loudspeaker 

Force 

gage 

Speaker 
Mechanical 

grips 

Connected 
to SD-OCT 
system and 
camera 
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(Intervox S225RA-40) beneath the sample. A function generator (Agilent) was used to 

drive the speaker with sinusoidal waveforms at varying amplitude and frequencies in the 

preliminary experiments. Later, the LabVIEW block diagram and Matlab scripts were 

altered to 1) drive the speaker from the computer using the National Instruments data 

acquisition device USB 6001; 2) step vibrational frequency every 10 seconds based on 

user-selected starting and ending frequencies, and step size; and 3) capture a B-scan 5 

seconds after the speaker is vibrating at the current step of frequency. 

SD-OCT system (Figure 9) measured the transverse sample displacement. This system 

used a fiber-coupled superluminescent diode light source with 1325 nm center wavelength 

and 100 nm bandwidth (full-width at half maximum). The source is connected to a fiber-

optic circulator that directs light to a fiber-optic splitter, sending 90% of the source light to 

the sample and 10% to the reference arm. The sample arm contains a 60 mm focal length 

lens to focus light into the sample. The reference arm contains a variable neutral density 

filter to adjust the reference light intensity and a stationary mirror. Light returning from the 

sample and reference arms is recombined at the splitter and directed to a spectrometer 

for detection. The spectrometer comprises a 50 mm collimating lens, an 1145 lines / mm 

diffraction grating, and a 100 mm focal length lens to focus the spectrally dispersed light 

onto a 1024 pixel InGaAs line-scan camera (UTC Aerospace Systems, NC, USA). The 

measurements of signal intensity as a function of optical wavelength (I()) using the 

spectrometer’s previously established pixel-to-wavelength calibration. Data was 

transferred to a PC via a CameraLink frame grabber board (National Instruments, TX, 

USA). All data acquisition and storage was controlled by in-house developed LabVIEW 

software.  
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Figure 9. Spectral-domain OCT system schematic 
 

The OCT sample arm beam was directed to a single location on the sample to measure 

transverse sample displacement as a function of time. 4000 spectral interferograms (I()) 

were acquired at a sampling frequency of fs = 28.8 kHz. After using the relation k = 2 

to convert each measured interferogram I from a function of wavelength to a function 

of wavenumber I(k), Fourier transformation of the I(k) signal yielded the magnitude (I(z)) 

and phase ((z)) of the backscattered signal returning from each depth location (z) within 

the sample.   

The sample displacement can be measured using either the amplitude of the OCT signal 

or the phase. All the displacements in this thesis were computed using the phase 

information as most of the samples undergo minor displacement in the range of a few 

micrometers that are better detected using the phase information rather than the amplitude 

of the OCT signal. As the sample undergoes time-dependent deflection due to the external 

driving force, the measured phase was extracted from the location of the sample surface. 

This phase value grows until it reaches +(180) or - (-180), depending on the direction 

of sample displacement. Further displacement beyond results in “wrapping” of the 

phase (Figure 10a), as evidenced by a jump of exactly 2 (360) in the calculated value.  
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Figure 10. Processing raw OCT data. (a) An example of the wrapped phase information 

of a wet dermis sample at a given frequency. The values fluctuate between ±π (b) The 

wrapped information in (a) is unwrapped to correct the displacement beyond ±π. (c) The 

unwrapped information in (b) is converted to actual displacement using the wavelength 

information. (Note: the slow oscillation in Figures (b) and (c) is the result of the 50Hz 

electric noise that was eliminated using digital filters in the data processing steps)  
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The measured phase at the sample surface was therefore corrected for phase 

wrapping (“unwrapped”, Figure 10b) and converted to physical displacement z using the 

relationship z = 0/4Figure 10c). All data processing was performed on a PC using 

standard algorithms written in custom developed Matlab 2014 software (MathWorks, MA, 

USA). 

As described above, sample displacement (z) was measured as a function of time (t) 

based upon 4000 discrete measurements obtained at a sampling frequency of 28.8 kHz. 

Fourier transformation of the measured z(t) data allows the frequency response (power 

spectrum) of the sample to be examined. In our experimental setup, the Nyquist frequency 

limit is 14.4 kHz and the resolution in frequency space is 7.2 Hz. The ability of our SD-

OCT system to accurately measure a sample’s vibration frequency was evaluated by the 

measured peak displacement frequency to the loudspeaker driving frequency set at the 

function generator. 

The displacement data was digitally filtered using a third order Butterworth bandwidth filter 

with a lower frequency threshold of 60 Hz and an upper frequency threshold of 1050 Hz. 

The lower threshold of 60Hz was selected to eliminate the electrical noise at 50Hz. For 

input frequencies less than 60 Hz, a low pass filter was used with a threshold of 100Hz. 

The filtered sample displacement at each frequency was plotted versus time as seen in 

Figure 10c.The mean peak-to-peak amplitude of the filtered displacement output was 

used to obtain the sample displacement. The resonant frequency of each sample was 

initially estimated by measuring the transverse displacement resulting from sinusoidal 

driving frequencies ranging from 50 Hz to 1000 Hz, in steps of 50 Hz. Once the region 

where the maximum frequency lies was identified, smaller steps of 10 Hz were used to 

more accurately identify the peak frequency and the actual resonant frequency. At each 

driving frequency, the value of the sample displacement at that frequency was recorded, 
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representing the “raw” frequency response for the sample. The driving speaker has its 

own frequency response (Figure 11) that needs to be calibrated. In order to correct for 

the frequency response of the driving speaker itself, the raw sample frequency response 

was divided by the frequency response of the speaker, independently measured by SD-

OCT to obtain a weighted displacement of the sample under test. The resonant frequency 

of the sample was then identified from the peak of the corrected frequency response plot. 

 

Figure 11. Frequency response of the Intervox speaker used for in vitro studies. The 

speaker resonates around 420 Hz. 

 

When a low-frequency (<5kHz) external excitation is applied to a thin isotropic solid, elastic 

waves of different types are generated on its surface and volume [179]. This study involved 

applying an oscillating mechanical vibration in the form of externally applied sound waves 

to a sample and identifying its natural frequency. The wave velocity is the velocity with 

which planes of equal phase progress through the sample. Equation (1) shows the relation 

between the longitudinal wave velocity of a vibrated object and its natural frequency, and 

equation (2) demonstrates the relationship between the elastic modulus and the wave 



37 
 

 
 

velocity of the object [179,180]. 

V = ωnλ  (1) 

Where, ωn = 2πfn and the harmonic wavelength, λ, is related to the sample length L [181]. 

ωn and fn are the natural frequency in rad/s and Hz, respectively; L is the sample length in 

m, and V is the longitudinal wave velocity in m/s 

E = ρV2  (2) 

Where E is the elastic modulus in Pa, ρ is the material density in kg/m3,  

It must be noted that the above equation holds for an infinite elastic solid homogenous 

object that is clamped at both ends and is vibrated in between the two ends. Also, the 

relationship with the elastic modulus holds true for objects with a length to width aspect 

ratio of at least 4:1, and where the depth of the testing sample is negligible as compared 

to the length and the width. The negligible thickness of the test sample justifies neglecting 

the shear in transverse direction. If the sample to be tested is thicker, than the sample is 

considered to be a bulk solid. In which case the transverse shear needs to be considered 

and the bulk modulus comes into picture, increasing the value of the elastic modulus [179]. 

All the samples used in this dissertation had a length: width aspect ratios of > 4:1 and had 

thicknesses that were significantly smaller than the other dimensions. Also, even though 

biological tissues are nonlinear, they behave linearly for smaller strains such as the ones 

used in this study; thereby justifying the use of equation (2). 

The relationship between the elastic modulus of the material and its natural frequency can 

be approximated from the above two equations as follows: 

E = M(2πfn)2L/A (3) 

Where M is the object mass in kg, A is the cross-sectional area in sq.m and L is sample 
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length in m. This relationship between the elastic modulus of a material and its natural 

frequency is similar to that established in the literature [180–182]. Again, even though it is 

well established that the elastic modulus is proportional to the square of the resonant 

frequency and the material density, the proportionality constant will change depending on 

relative dimensions of the test sample, mode of vibration, method of clamping the test 

sample, material composition, properties and geometry of the test sample.  

Uniaxial Tensile Testing 

Samples were mounted in 1” wide grips with one end held stationary on a manual 

translation stage (Thorlabs, NJ, USA). The other end of the sample was attached to a 

force gage (Mark-10, NY, USA) in a standard tensile test configuration. Each sample was 

tested in uniaxial tension at 22oC by adding strain increments after each force 

measurement was made. Varying axial deformations between 1 and 20% were applied 

through adjustment of a graduated translation stage. The resulting axial force (F) was 

measured by the force gage and recorded for subsequent calculations.   

For Poisson’s ratio computation, the samples were imaged from a fixed height using a 

standard point and shoot camera at each step of the loading stage. The images were then 

read in Matlab 2013 (MathWorks, MA, USA) to measure the changes in lateral dimension 

at each step and compare them from the starting position to compute the lateral strain. 

The longitudinal strain was computed by the changes in the loading of the manual 

translation stage in the longitudinal direction. The Poisson’s ratio of the sample was 

computed at each step as the ratio of the transverse strain to the axial strain. 

Effect of Strain on Resonant Frequency 

The decellularized human dermis and silicone samples were stretched at different strains 

and their resonant frequencies were computed for each run of each strain. In addition, the 

moduli were computed for the vibrational OCT tests and compared to the moduli from the 
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uniaxial tensile tests. 

Chemical Testing and Calibration Curve 

A calibration curve was plotted by comparing the uniaxial tensile moduli and vibrational 

testing moduli of a variety of samples made from silicone rubber, decellularized human 

dermis, and modified decellularized dermis to prove the efficacy of the vibrational OCT 

method in computing the elastic modulus of a material. The strain on the samples ranged 

from 1-14% for tensile measurements and 5-14% for vibrational studies. 

Preliminary in-vivo testing 

In vivo studies on the mechanical properties of skin and healed scar tissue on the human 

arm were conducted by using a 24 mm x 14 mm rectangular speaker (Digi-Key, Thief 

River Falls, MN) that was taped to the skin using surgical tape and hardwired to a 

Samsung cell phone. A frequency generating cellphone app capable of driving the speaker 

between 10Hz and 20kHz was used to generate sinusoidal sound waves that vibrated the 

skin. The speaker was calibrated by determining its frequency response in the frequency 

range of 50 to 1000Hz. The sound intensity was low enough to be undetected unless the 

speaker was placed close to the subject’s ear. The speaker was located about 2.5 cm 

from the beam location and did not interfere with impingement of the light on the skin. The 

location of the incident beam on the skin influenced the extent of skin displacement but 

not the measured resonant frequency. The signal generated by vibrating the skin with the 

Digi-Key speaker was processed in the same manner as that for in vitro studies. The 

subject’s arm was placed in a resting state on an insulated steady surface to reduce the 

false signals from electrical noise and subject movements. Multiple scans were taken for 

each frequency to reduce the artifacts arising from the subject’s movements and the scans 

were only taken when the imaged surface was at a pre-marked location on the live OCT 

image. Digital band-pass filters were used during the processing of OCT signals to 
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eliminate the artifacts at low-frequency range that includes electrical noise and most of the 

subject movements.  

For elastic modulus computation, the density of the normal skin and scar tissue was 

assumed to be same as that of decellularized dermis samples from previous studies 

[58,183]. Based on the previously performed calibration study [58] and equation (3), an 

equation derived from the relationship between the material density, resonant frequency, 

and elastic modulus of the material was used to compute the in vivo moduli for normal 

skin and scar tissue. The results of studies reported for strain versus modulus of 

decellularized dermis from [58] were used to back-calculate the strain of normal skin and 

scar tissue in vivo. 

Results and Discussion 

Chemical study and Calibration curve computation: 

 

Figure 12. Plot of weighted displacement versus frequency, determined from vibrational 

OCT for decellularized human dermis. Dermis was placed under tension at 5% strain and 

its resonant frequency was determined from its maximum displacement caused by the 

sinusoidal vibrational waves. The modulus was calculated from the resonant frequency 

using equation (3) 
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A variety of samples made from silicone rubber, decellularized human dermis, and 

modified decellularized dermis were tested both in uniaxial tension and using vibrational 

analysis. Table 1 gives a summary of the samples studied and the strains used to develop 

the calibration curves. 

Table 1. List of samples tested to generate the calibration curve 

 

 

Figure 13. Mean stress-strain curves for wet decellularized human dermis as measured 

from force-extension curves. The loading curve is above the unloading curve and after a 

rest interval the stress and strain returned to (0, 0). The error bars represent the standard 

deviations of the stress measures obtained during the multiple runs of uniaxial tensile 

testing of the decellularized human dermis sample. 

Sample Number Strains 

Decellularized dermis 3 5%, 10%, 12%, 14% 

Control Dermis (Carbonate treated) 5 5%, 10%, 11%, 12%, 13% 

Treated Dermis (Glutaric anhydride treated) 7 10%, 11%, 12% 

Silicone 2 12% 
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A typical plot of weighted displacement versus frequency for decellularized dermis is 

shown in Figure 12. The natural frequency of each material was obtained from such plots 

and its modulus for the vibrational study was calculated using equation (3). All the tensile 

testing moduli were calculated from the slopes of the tensile loading plots as illustrated in  

Figure 13 that shows a tensile loading-unloading plot for a wet dermis sample. 

 

Figure 14. Calibration curve of the modulus determined from vibrational measurements, 

versus the modulus determined from the slope of tensile stress-strain measurement for 

decellularized dermis and silicone rubber, cycled in tension at strains between 5 and 14%. 

The calibration curve was prepared using data obtained from vibrational (Figure 10) and 

tensile measurements ( Figure 13) for samples stretched up to three tensile cycles. The 

horizontal and the vertical error bars represent the standard deviations of the moduli 

measured during the multiple runs of each sample using the uniaxial tensile testing and 

the vibrational OCT methods respectively.  

 Figure 14 shows a plot of the modulus calculated from vibrational studies (Ev) versus the 

modulus determined by tensile testing (Et), for all samples tested for strains between 1 

and 14%. The equation for the linear least-squares fit line shown in  Figure 14 is:  
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    Ev=1.026 Et +0.046    (4)  

Where the correlation coefficient for the line is 0.984 and moduli are in Pa. The relationship 

between moduli determined using vibrational and tensile measurements is approximately 

linear and has a small Y intercept, suggesting that moduli measured using the vibrational 

technique provide a good estimate of the values obtained using tensile testing for strains 

up to 14%. OCT and vibrational analysis help in computing moduli of ECMs containing 

collagen fibers by determination of the resonant frequency. Measured resonant 

frequencies for decellularized dermis and silicone rubber, when converted into moduli, 

correlate well with the tensile moduli measured for the same samples. 

Table 2. Moduli for control and treated human dermis measured using tensile testing and 

vibrational analysis. ‘±’ indicate the standard deviations of the measurements. Note: * 

indicates no standard deviation was observed but the standard error for resonant 

frequency measurements was ±5 as the input frequencies were varied in steps of 10. 

 

When decellularized dermis was treated with glutaric anhydride, a chemical that reacts 

with free primary amino acid residues on collagen and alters the charge density, its 

mechanical behavior changed as shown in Figure 15. After treatment with glutaric 

anhydride the tensile and vibrational moduli of decellularized dermis decrease as shown 

Sample 
Sample 

Thickness 
(mm) 

Strain 
(%) 

Tensile testing 
modulus 

(MPa) 

Vibrational 
testing 

modulus (MPa) 

Resonant 
Frequency 

(Hz) 

Dermis 0.93 
5 2.69 ± 0.021 2.46* 150* 

14 6.57 ± 0.079 7.01 ± 0.32 253.33 ± 5.77 

Control 

Dermis 
0.92 

5 3.01 ± 0.039 3.11 ± 0.142 306.67 ± 5.77 

12 4.73 ± 0.051 4.74* 340* 

Treated 

Dermis 
1.5 

5 0.67 ± 0.037 0.71 ± 0.052 156.67 ± 5.77 

12 0.94 ± 0.098 0.97 ± 0.062 183.33 ± 5.77 
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in Table 2. The stiffness decrease is associated with an increased swelling and thickness 

of the dermis as shown in Table 2. 

Figure 15. Stress-strain curves for (a) control human dermis and (b) glutaric anhydride 

treated dermis. Note the modulus (tangent to the stress-strain curve) decreases in the 

treated dermis due to swelling of the sample. The error bars represent the standard 

deviations of the stress measurements obtained during the various runs of uniaxial tensile 

testing of the sample. 

There has been considerable interest in the cosmetic, plastic and maxillofacial surgery in 

identifying methods to rejuvenate and promote healing of aged and repaired skin. While 

many of the cosmetic and injectable treatments give the appearance of altering skin 

mechanics or at least to cause wrinkles to be less obvious, treatments are needed that 

actually modify the ECM. The results suggest that skin mechanics can be modified by 

altering the physicochemical properties of the collagen fibers by changing the charged 

amino acid residues. In addition, using vibrational analysis, these changes can be 

measured non-invasively. 
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Effect of strain on resonant frequency: 

The resonant frequency of the decellularized dermis sample increased with strain (Figure 

16). The decellularized human dermis sample contains a single component i.e. collagen 

fibers. The modulus of collagen fibers in the skin increases from about 2.45 MPa (5% 

strain) to 13.36 MPa at a strain of 20%. The resonant frequency and calculated modulus 

are therefore dependent on the tissue strain and the composition. The fiber composition 

of collagen in the skin is usually random and the different collagen fibers align and disorient 

as the strain varies. The number of collagen fibers oriented in a given direction at a given 

strain can alter the sample vibrations induced by an external force, and can be the reason 

behind the difference in the weighted peak displacements of the dermis sample observed 

at different strains in Figure 16. 

Multiphasic samples: 

When pig dermis, consisting of epidermal and dermal layers, was tested using vibrational 

analysis and OCT, two natural frequencies were observed: one at 90 Hz and the other at 

Figure 16. Plot of displacement versus frequency of vibration for decelluralized dermis at 

5%, 14% and 20% strain. Note the maximum frequency increases with increasing strain. 
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about 200 Hz as shown in  Figure 17 and Table 3. These peaks correspond to moduli of 

~0.75 MPa and ~3.55 MPa, respectively at a strain of 5%. The peak at 200 Hz appears to 

be the collagen peak since it has a modulus of about 3.55 MPa as opposed to the one for 

collagen in the decellularized dermis with a modulus of 2.45 MPa. Whereas the peak at 

90 Hz is probably a peak due to elastic tissue since it has a modulus of 0.75 very close to 

that reported for elastic tissue in monophasic sample experiments. 

 

Figure 17. Measurement of the resonant frequency for pigskin sample using OCT and 

vibrational analysis. The two peaks shown correspond to the stretching of elastic fibers 

(90Hz) and collagen fibers (200 Hz). 

Table 3. Resonant frequencies and moduli obtained from vibrational OCT for pigskin and 

bovine cartilage 

Sample 
Resonant Frequency 

(Hz) 
Vibrational Testing 

Modulus (MPa) 

Pig Skin 
93.33 ± 5.77 0.77 ± 0.094 

203.33 ± 5.77 3.61 ± 0.2 

Bovine Cartilage 

246.67 ± 5.77 4.96 ± 0.23 

550 ± 10 24.65 ± 0.53 

663.33 ± 5.77 35.03 ± 0.61 

Subchondral Bone 620 ± 10 31.92 ± 1.03 
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Figure 18. a) Weighted displacement v. frequency for sample bovine femoral cartilage 

with a layer of subchondral bone. The resonant frequencies observed were 250Hz, 550Hz 

and 660Hz representing the moduli of 4.96MPa, 24.65MPa and 35.03MPa respectively. 

b) Weighted displacement v. frequency for sample bovine subchondral bone after the 

cartilage was removed with a scalpel. The resonant frequency was 620Hz and the 

modulus was 31.92MPa. 

a) 

b) 
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The bovine femoral cartilage demonstrated three resonant frequencies: one at 250 Hz one 

at 550 Hz and the final one at 660 Hz (Figure 18a). The resonant frequency of 

subchondral bone was 620 Hz (Figure 18b) post-scraping off the cartilage from the 

subchondral bone using a scalpel. 

The data obtained from bovine femoral cartilage (Table 3) suggests that the collagen peak 

at 250 Hz may reflect the collagen fibers in the superficial and intermediate zones. They 

have a modulus of 5.09 MPa, while the peak at about 620 Hz may reflect the behavior of 

the subchondral bone on which the cartilage rests since it has a modulus of >30 MPa. The 

peak at 550 may reflect the transition zone between calcified cartilage and the 

subchondral bone. 

Preliminary in vivo results: 

 

Figure 19. Plot of weighted displacement versus frequency for decellularized dermis at 

various separation distances between Digi-Key speaker and position of OCT light beam. 

The resonant frequency was found to be independent of the speaker placement. Only the 

amplitude of the displacement signal was found to be dependent on speaker placement 

using OCT and vibrational analysis. 
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Measurements of the resonant frequency made using the Intervox and Digi-Key speakers 

on the same piece of the decellularized dermis in vitro were found to be identical at strains 

of 2 to 15%. Using the Digi-Key speaker the resonant frequency of decellularized dermis 

was found to be independent of distance away from the speaker (Figure 19). 

Measurement of the natural frequency of skin in vivo using the vibrational technique 

resulted in a single peak at 70 Hz as shown in  Figure 20a. This peak corresponded to a 

modulus of 0.66 MPa. When vibrational analysis of scar tissue was carried out in an area 

within an inch of the measurements made on normal skin, the resonant frequency was 

increased to 220 Hz as shown in  Figure 20b. This increase in resonant frequency 

corresponded to an increase in modulus to 4.2 MPa. 

 

Figure 20. (a) Weighted displacement versus frequency for human skin made using OCT 

and vibrational analysis on human skin in vivo. The maximum weighted displacement and 

resonant frequency occur at 70Hz. (b) Weighted displacement v. frequency made using 

OCT and vibrational analysis on human scar tissue in vivo. The maximum weighted 

displacement and resonant frequency occur at 220 Hz. 
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The collagen peak in the normal skin measurements made in vivo is just a small hump in 

the curve. A possible reason may be that at low strains in vivo, the skin collagen fibers 

may be stretched minimally in tension, whereas the elastic fibers have been reported to 

bear the loads [15]. In contrast, in scar tissue, the collagen fibers bear all the tension, even 

at low strains since there is only a small elastic fiber peak in scar tissue. This is consistent 

with a previous observation that human hypertrophic scar tissue has the same stiffness 

as normal human skin even though it appears more rigid by palpitation [184]. The apparent 

increased stiffness of hypertrophic scar tissue is due to a reduced extensibility of this 

tissue and not an increased modulus [184] that occurs when elastic fibers are not replaced 

after a thermal injury. 

The values obtained for the skin measurements in this study are higher than a similar OCE 

approach by Liang et al, 2010 that reported Young’s modulus of ~100kPa for in vivo 

measurements on forearm [161]. However, the discrepancy in the values can be attributed 

to some of the key differences between the two studies. While the current method utilizes 

the resonant frequency of a material to compute the elastic modulus, Liang et. al use the 

surface velocity, driving frequency and the Poisson’s ratio to compute the elastic modulus 

[161]. The current study measured the modulus on the dorsal side of the finger whereas 

Liang et al. performed their measurements on forearm and palm that may have different 

elasticity as compared to the test site in the current study. However, it has been seen that 

different testing methods result in different values of moduli for the same anatomical 

location; e.g. in vivo measurements on forearm have been reported to be around 0.1MPa 

by OCE and suction methods, whereas the values obtained using uniaxial and torsional 

tests have reported values of 1-3MPa [19,91,185,186]. Thus, in vivo conditions need to 

be assessed properly before choosing a testing method and comparison with a gold 

standard technique should be preferred to calibrate and assess the efficacy of a new 
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biomechanical testing method. 

Summary 

The results presented in this chapter suggest that a combination of OCT and vibrational 

technique can be used for non-destructive mechanical testing of tissues and materials. 

The moduli of soft tissues and polymeric materials obtained from this method are similar 

to those found using uniaxial tensile stress-strain measurements. The advantage of this 

method is that the modulus can obtained from vibrational methods without having to 

approximate the tangent to the stress-strain curve, which is difficult for non-linear materials 

that have a rapidly changing slope. 

A calibration curve for the moduli computed using the vibrational OCT technique and 

uniaxial tensile test showed a slope of almost 1, thereby validating the use of this 

technique for nondestructive biomechanical testing. This technique was also useful in 

determining the effects of strain on the elasticity of dermis, and to study the effects of 

chemical treatment on allografts.  

The vibrational OCT method proposed in this chapter was also successful in performing 

mechanical spectroscopy of multiphasic samples like pigskin and bovine cartilage by 

identifying distinct resonant frequencies of various tissue components. Preliminary in vivo 

test were able to differentiate between normal skin and scar tissue. With more tests and 

a better calibration for the in vivo tissue conditions, this technique may be useful to 

evaluate the extent of wound healing in skin diabetic ulcers and other chronic skin 

conditions, scar tissue formation in response to implants, and other therapeutic treatments 

that alter ECM properties. 
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CHAPTER 3: MEASUREMENT OF VISCOELASTIC MODULUS USING 

VIBRATIONAL OCT SETUP 

Note: Portions of this chapter have been published in the following citations and represent 

the original work of the candidate: 

1. Shah, R. G., & Silver, F. H. (2017). Viscoelastic Behavior of Tissues and Implant 

Materials: Estimation of the Elastic Modulus and Viscous Contribution Using 

Optical Coherence Tomography and Vibrational Analysis. Journal of Biomedical 

Technology and Research, 3, 105-109. 

2. Silver, F.H., Silver, L.L., Shah, R.G., 2017. Viscoelastic behavior of allografts and 

scaffolds composed of extracellular matrix. Adv in Tissue Eng Regen Med 2 (1): 

00019. DOI:10.15406/atroa.2017.02.00019. 

Specific Aim 2 

Compute viscoelastic properties of decellularized dermis using vibrational OCT system. 

Hypothesis and Rationale 

Most biological materials are viscoelastic in nature i.e. the phase between the stress and 

the strain cycles is >0o and <90o (Figure 21). The modulus of a viscoelastic material can 

Figure 21. Cyclic stress (σ0) v. strain (ε0) cycle of viscoelastic material. Ф is the phase 

difference and ω is the loading frequency of stress. 
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be broken into two components: Storage Modulus and Loss Modulus. The storage 

modulus relates to the elastic behavior of the material and the loss modulus relates to the 

viscous component of the material. Apart from other parameters, temperature and 

frequency affect the viscoelastic behavior the most.  

 

Figure 22. a) Transient response of a classically damped SDOF underdamped system. 

b) Compliance transfer function of an underdamped system. ωn is the driving frequency, 

Δω is the bandwidth of the frequency range having power 3db below the peak Xmax that 

has an amplitude of Xmax/√2. (Reproduced from Singh et al., 2012) 

Many elastography techniques model tissues by ignoring the viscosity portion of their 

behavior [111,115]. It has been shown that a material exhibits elastic behavior when 

vibrated at its natural frequency [179,187]. The main hypothesis of this aim is that the 

material responds as almost purely elastic at its resonant frequency, whereas its 

viscoelastic nature comes into play at other frequencies in terms of energy dissipation of 

impact loads. Thus, dermis will show the response of a single degree of freedom (SDOF) 

underdamped system (Figure 22a) and will demonstrate elastic and viscoelastic 

properties when pulse-vibrated at resonant and non-resonant frequencies, respectively. 

The percent of loss modulus contributed by the viscous component of the tissue’s behavior 

a) b) 
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over a range of stimulation frequencies will be computed by using the half-power 

bandwidth method [188] (Figure 22b) and the results should be comparable to that in the 

literature. 

Experimental Methods 

Decellularized human dermis, silicone and pigskin samples were used for this experiment. 

The sample preparation and dimensions were same as that used in the experiments for 

Aim 1. In order to compute both, the viscous and elastic components of the tissue, it is 

necessary to compute the phase lag between the stress and the strain cycles. Another 

way to compute the viscoelastic nature is to observe the decay response of the sample 

when vibrated with an impulse or a burst of few sinusoidal cycles as a viscoelastic material 

behaves like an underdamped system whose storage and loss moduli can be computed 

using the half-power bandwidth method. In this study, the benchtop setup was modified 

such that the function generator drove the Intervox speaker (that was used for Aim 1 

experiments) with bursts of three cycles of sinusoidal waves. It has been shown that skin 

exhibits viscous response up to 600Hz [55]. Thus, two sets of frequency ranges were 

chosen for this Aim: 1) 10Hz to 100 Hz in steps of 10 Hz for human dermis at 5% strain, 

and 2) 50 Hz to 600 Hz in steps of 50 Hz, for human dermis, silicone and pigskin. In order 

to observe the loss modulus at the resonant frequency, resonant frequencies of the 

samples were computed as per the procedure specified in the experiments of Aim 1. For 

this second set of experiments, the human dermis and silicone samples were tested at 

strains of 5%, 10% and 15%, whereas the pigskin samples were tested at 3% and 7% 

strains as the slippage make it difficult to strain the pigskin at higher strains. 
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Figure 23. Illustration of the input and output waves of the viscoelasticity experiment. (a) 

Amplitude v. time plot of the 3-cycle sinusoidal input wave; (b) Raw output of sample 

displacement v. time showing the decay response of the sample; (c) Band-pass filtered 

output of displacement v. time. (d) Frequency response of the sample displacement. Note: 

the lag in the input and output waves is due to a minor time difference in capturing the 

input and output waves. 

When vibrated with pulsed input waves (Figure 23a) the samples exhibit response similar 

to that of an underdamped system i.e. a sinusoidal response that decays with time (Figure 

23b) [189]. The displacement data was bandpass filtered as in Aim1 to remove the 

electrical noise and other frequencies (Figure 23c). The half-power bandwidth method 

(d) 
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that is generally used to quantitatively measure the damping η or loss factor [190] was 

used to determine the loss modulus percent of the samples at different strains. The 

frequency response of the material is plotted in terms of frequency v. power (Figure 23d). 

The loss factor, η, was computed as the ratio of the driving frequency, ω0, and the 

bandwidth of the frequency range for which the power reduces to half of the power at the 

peak resonant point, Δω. In decibel scale, this occurs at 3db below the peak value. The 

loss factor was computed at each driving frequency for each sample at different strains. 

Results and Discussion 

Below 100 Hz: 

 

Figure 24. Plot of frequency v. loss modulus percent for decellularized wet dermis at 5% 

strain. The dermis is highly viscous below 100 Hz but shows only 3.4% loss modulus at 

its resonant frequency, 100 Hz. 

 

The wet decellularized dermis showed loss modulus percent of up to 27% below 100Hz ( 

Figure 24). The loss modulus values gradually decreased as the driving frequency 

approached 100 Hz, which also happened to be the natural frequency of the sample. The 
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results of this experiment are similar to that shown by [191], who studied the effect of 

frequency on loss modulus for rabbit skin (Figure 25). Their results also showed high loss 

modulus below 100 Hz. This is in concert with other studies that have shown that skin is 

more viscous at low frequencies [190,191]. 

 

Above 100Hz: 

 

Figure 26. Plot of loss modulus as a percent of total modulus based on the half-power 

bandwidth method for decellularized dermis at strains of 5%, 10% and 15%. Note the 

resonant frequencies are 100Hz (5% strain), 250 Hz (10% strain) and 350 (15% strain). 

Figure 25. Frequency v. Loss Modulus for rabbit skin (Reproduced from Pereira et al.; 

1991) 
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The plots for loss modulus as a percentage of the total modulus for decellularized dermis, 

silicone rubber and pigskin are shown in Figure 26, Figure 27 and Figure 28 respectively. 

The loss modulus exhibits minimum value at the resonant frequency. At the resonant 

frequency, the loss modulus is approximately 3% to 4% of the modulus value reported. 

 

Figure 27. Plot of loss modulus as a percent of total modulus based on the half-power 

bandwidth method for silicone rubber at strains of 5%, 10% and 15%. Note the resonant 

frequencies were 120 Hz (5% strain), 200 Hz (10% strain) and 300 Hz (15%). The 

viscoelastic testing was not performed at 120Hz. The resonant frequency at 5% strain was 

measured in a prior report and was not a multiple of 50Hz [28]. 

The results suggest that the modulus calculated at the measured resonant frequency is a 

good estimate of the elastic modulus of the material. The value of the viscous component 

of the modulus of a material at the resonant frequency can be as low as 3% to 4%. At 

lower and higher frequencies than the resonance frequency, the loss component of the 

modulus increases. Modulus measurements made at the resonant frequency of skin 

appear to be primarily a result of elastic deformation while those made at lower 

frequencies appear to contain a significantly larger viscous contribution. At frequencies 
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above the resonant frequency, the viscous contribution appears to rise above that 

observed at the resonant frequency but remains relatively low. 

 

Figure 28. Plot of loss modulus as a percent of total modulus based on the half-power 

bandwidth method for pigskin at strains of 3% and 7%. The resonant frequency was 100 

Hz (3% strain) and 200 Hz (7% strain).  

 

Summary 

Viscoelasticity of collagenous tissues is important in resisting impact loads especially in 

the musculoskeleton; however, it complicates the understanding of ECM behavior since 

most real-time measurement techniques made on these tissues neglect the viscous 

contributions. However, most biological tissues (e.g. skin) are non-linear and viscoelastic 

and have an upward curvature to the stress-strain curve. This fact makes determination 

of the stiffness using the stress-strain curves difficult since the tangent to the stress-strain 

curve is constantly changing. 

This section reported the experiments of using bursts of sinusoidal cycles in conjunction 

with OCT to assess the viscoelastic mechanical properties of ECM and silicone rubber at 
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frequencies above and below the resonant frequency. The results reported suggest that 

measurement of the modulus at the resonant frequency of a viscoelastic material provides 

a good estimate of the elastic modulus while measurements below and above the 

resonant frequency contain a larger viscous contribution to the viscoelastic behavior. It 

was also seen that the viscous contribution is greater at lower frequencies (<100Hz), an 

observation that matched results from other studies in the literature. 

During mechanical loading, a tensional increase in the D period of a collagen molecule is 

observed with increasing strain and is associated with: 1) elongation at the triple-helical 

level of structure in the flexible regions; and 2) increase in the gaps between the distance 

of two triple helices in the microfibril. Additionally, tension leads to some molecular 

slippage that may cause viscous energy loss [192]. Molecular stretching is known to occur 

at lower stresses; whereas the increases in the gap spacing and molecular sliding occur 

at higher stresses [193]. Molecular stretching and slippage are reversible over time. It is 

believed that molecular stretching begins in the regions devoid of proline and 

hydroxyproline, the charged regions of the sub-bands in the D period. At higher strains, 

the stress-strain behavior in tension becomes reversible and collagenous materials fail by 

defibrillation [25]. 

The healing response in bones and tendons that is attributed to high frequency loading 

mechanism of the extracorporeal shock wave therapy probably involves tensile stretching 

of the collagen fibers in tissue that upregulates mechanotransduction through an integrin 

mediated pathway [183,194]. Along these lines the low energy dissipation of collagen in 

skin may prevent premature mechanical failure at frequencies less than ~100 Hz, while at 

frequencies above 100 Hz extracorporeal shock wave may promote mechanotransduction 

at the collagen fiber and cellular levels to promote healing. 
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As the frequency of mechanical deformation increases, network strands in the collagen 

molecule fail progressively to adjust themselves in the time provided by the frequency of 

the oscillations. At intermediate frequencies, the molecules form unstable cross-links to 

effectively transmit the mechanical forces. At lower frequencies, the entire molecule 

moves at a slow pace and provides the molecules with an opportunity for energy 

dissipation; thereby increasing the viscous component of the modulus at frequencies <100 

Hz. At resonant frequencies, the collagen molecules move almost in the same phase as 

the imposed oscillations in order to create the maximum displacement. This lack of phase 

difference is evident by the almost purely elastic response of the test materials at resonant 

frequencies. 

It can be concluded that at low strains the high viscous contribution to the modulus of the 

skin may provide a mechanism for energy dissipation of impact loads while the low viscous 

contribution to the modulus of skin at the resonant frequency may promote 

mechanotransduction. 
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CHAPTER 4: MEASURES OF BIOMECHANICAL PROPERTIES OF 

CHORIONIC PLATES FROM EARLY, NORMAL AND PATHOLOGICAL 

PREGNANCIES 

Specific Aim 3 

To characterize/differentiate chorionic plate tissues from normal, pathological and early 

term pregnancies through the use of vibrational OCT setup. 

Hypothesis and Rationale  

 

The chorionic plate carries the large vessels that are the first branches off the umbilical 

arteries and the umbilical vein once the cord inserts on the chorionic plate. These large 

vessels are fetal blood vessels and important conduits of oxygen, nutrient, and waste from 

and to the fetus. The chorionic plate and the surface vessels form the fetal side of the 

placental disc (Figure 29, [3]). The plate is comprised of amnion (most internal to the 

fetus) and chorion, and villi arise from its outer surface [195]. Its proper growth and 

development is crucial for proper functioning of a normal placenta. The intervillus space 

Figure 29. Structure of placenta. Reproduced from Gary, 1918. 



63 
 

 
 

and size differ between a normal and a diseased placenta (Figure 30, [196]). Diabetic 

placentas have large villi with a dense distribution [197], whereas pre-eclamptic placentas 

typically have sparse and small villi [198] as compared to a normal placenta. Villus 

immaturity and chronic fetal hypoxia are prevalent in diabetic placentas that result in a 

lower fetal/placental weight ratio and higher frequency of fetal complications as compared 

to normal placentas [199,200]. One of the objectives of this aim is to test if this variation 

of phenotypes is translated to the biomechanical properties of the respective chorionic 

plates. 

ECM provides angiogenesis with its crucial framework through structural support and 

molecular interactions. Mechanical traction forces applied by neovessels and the resulting 

ECM deformation are key regulators of growth, neovascularization and angiogenesis 

[201–203]. Thus, biomechanical properties like viscoelasticity of tissues should greatly 

influence angiogenesis. The chorionic plate of the human placenta is known to have a 

distribution of a range of collagen fibers, the composition and orientation of which change 

over the gestation [174,204]. 

The primary hypothesis of this aim is that the vibrational testing moduli of chorionic plates 

from normal pregnancy will vary across gestation, and in health and disease. If correct, 

a) b) c) 

Figure 30. Typical cross-sections of a) pre-eclamptic b) normal and c) diabetic placentas. 

Pre-eclamptic placentas have sparse villus distribution and diabetic placentas have a 

dense villus distribution. (Adapted from Serov et al. 2015) 
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our future studies will explore if these variations correlate with altered vasculature, villus 

distribution, and tissue composition. The physiological changes in the villi and the 

intervillous space would affect the biomechanical properties of the chorionic plate or vice 

versa. However, in order to study the effect of gestational age and pathology on the 

chorionic plate biomechanics, the samples used for this study consisted of just the 

‘chorion’ layer as seen in Figure 29, a connective tissue membrane containing fetal 

vessels, internal to amnion, external to chorionic villi. The chorionic villi were scraped and 

the amnion layer was pulled to separate the chorionic plate sample for each placenta. 

Experimental Methods 

Table 4. Description of pathological placentas 

Placenta ID Pathology 

6  Category 2 Fetal heart rate tracing 

7 Chronic Villitis and acute intraamniotic infection 

8 Diabetes Mellitus 

9 Acute intraamniotic infection 

10 Small growth-restricted placenta (Pre-eclampsia) 

The chorionic plate sections from 5 normal at term, 5 pathological (see Table 4 for 

description) and 2 pre-eclamptic placentas were obtained immediately post-delivery. They 

were cut from the insertion point extending radially towards the placental edge and stored 

in phosphate buffered saline (PBS) azide to avoid bacterial growth. Chorionic plate 

sections from three 15-week placentas were similarly obtained from an early termination 

clinic. All tissues were collected under IRB approval. The sections of chorionic plates were 

thoroughly washed in PBS to remove blood, scraped with a scalpel to remove the 

underlying villous structures and stored back in PBS azide. All the samples were tested 

within 48-72 hours of collection.  
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The chorionic sections were trimmed with regular scissors to obtain rectangular pieces of 

approximately 1.5cm x 7cm for testing with the vibrational OCT setup. The samples were 

clamped and stretched to reach a 3% strain. Three runs of vibrational testing (as described 

in Chapter 2) was performed at the center and at 4 edges of each sample for consistency 

(Figure 31). The dimensions of each sample were measured using digital calipers and the 

weight was measured using a digital scale. For a couple of normal pregnancy samples, 

the chorionic plates had portions of surface vessels. Vibrational OCT readings were taken 

on a point on these surface vessels for the relevant samples.  

Statistical Analysis: The vibrational OCT moduli were divided into three groups: early-term, 

normal and pathological (including the pre-eclamptic samples). Since the output in this 

study was only one independent variable i.e. modulus, the one-way statistical tests were 

Figure 31. Typical chorionic plate sample used for vibrational OCT testing. Points A-E 

show the regions where testing was performed.  



66 
 

 
 

used. One-way ANOVA and Kruskal-Wallis one-way analysis of variance tests were 

performed using SPSS 23 (IBM, Chicago, IL) on these moduli to test whether there was 

any statistically significant difference in the moduli of different groups. The Kruskal-Wallis 

test is a non-parametric test to determine whether two or more groups of an independent 

variable are statistically different [205]. The one-way ANOVA is a parametric test used to 

compare the means of two or more groups for statistical differences [206]. 

Results and Discussion 

Table 5. Vibrational OCT testing moduli for chorionic plates of normal, pathological, pre-

eclamptic and early term placentas 

Placenta ID Type Modulus (MPa) 

1 Normal 0.65 ± 0.082 

2 Normal 0.79 ± 0.071 

3 Normal 0.72 ± 0.059 

4 Normal 0.62 ± 0.047 

5 Normal 0.69 ± 0.036 

6 Pathologic 1.1 ± 0.094 

7 Pathologic 1.81 ± 0.112 

8 Pathologic 1.01 ± 0.083 

9 Pathologic 1.33 ± 0.077 

10 Pathologic 0.92 ± 0.113 

11 Pre-eclampsia 1.17 ± 0.085 

12 Pre-eclampsia 1.18 ± 0.043 

13 15-week early term 0.33 ± 0.026 

14 15-week early term 0.27 ± 0.101 

15 15-week early term 0.38 ± 0.091 
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The vibrational testing for the normal pregnancy group differed from those of the pre-

eclamptic group and early term group (Table 5). The early-term group showed a mean 

modulus of 0.33 MPa, slightly less than half of the average modulus of the normal/ control 

group (0.69 MPa). The average modulus of the samples from the pre-eclamptic group was 

1.18 MPa, almost equal to 1.24 MPa, the average modulus of the pathological 

pregnancies group. 

 

Figure 32. Moduli for normal, pathological, pre-eclamptic and early-term pregnancies 

obtained using the vibrational OCT setup. The errorbars represent the standard deviations 

of the mean moduli obtained using vibrational OCT for samples of each cohort. 

The statistical analysis were performed by considering the pre-eclamptic cases as a 

subset of the pathological cases. The one-way ANOVA test showed that the three groups 

- normal, pathological and early-term, were significantly different with a p<0.001; whereas 

the Kruskal-Wallis test showed that the three groups were significantly different with a 

p=0.002.  

The measurements taken on the vessel surfaces showed a higher resonant frequency as 

compared to the corresponding chorionic plates. The complex geometry of the vessels 
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made it difficult to measure their proper dimensions in order to compute a modulus as per 

Equation 3. The presence of the blood vessels has been assumed to result in a higher 

elastic modulus for the chorionic plate region as compared to the maternal surface [207]. 

The higher resonant frequencies for the surface vessels observed during the OCT 

vibrational testing is somewhat in line with this assumption. 

Acoustic radiation force impulse elastography measurements that have shown that pre-

eclamptic placentas are stiffer than normal placentas [208,209]. Pre-eclampsia has been 

associated with a thicker basement membrane of chorionic villi [198] and a stiffer umbilical 

artery [210]. The current study’s observation of a significantly higher average modulus of 

pre-eclamptic placentas as compared to the control group (Figure 32) matches the other 

clinical observations listed above. The stiffer matrix should affect the blood flow that is vital 

to the proper growth of the developing fetus. 

The histological sections of early-term placentas appear sparse under the microscope. 

The connective tissue component in the early stage is mostly fibrous and loosely arranged. 

The fetal vessels are generated via vasculogenesis and branching angiogenesis during 

the first and the second trimesters [211]. A more compliant matrix may help the fetal 

vessels to branch and grow, an important characteristic in the early developmental stage.  

The chronic villitis is generally known to cause the inflammation of the villi [212–214], 

whereas the acute intraamniotic infection or chorioamnionitis is the bacterial infection that 

leads to inflammation of the fetal membrane [215,216]. Thus, the significantly higher 

moduli of the two placentas with acute intraamniotic infection seem clinically relevant. 

Especially, the placenta with chronic villitis and acute intraamniotic infection had the 

highest modulus among all the placentas tested.  
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Although the moduli of the pathological placentas were significantly higher than the normal 

group, they showed some unexpected results. For instance, the chorionic plate from the 

diabetic pregnancy showed a modulus lower than some of the other pathological 

pregnancies. Diabetic placentas are known to have larger and dense villi, and a smaller 

number of surface vessel branches. Thus, the assumption was that the chorionic plate of 

the diabetic placenta would be significantly stiffer, and thereby support the hypothesis that 

stiffer matrix results in poor angiogenesis. Small growth-restricted placentas have been 

shown to have a significantly higher stiffness as compared to the normal placentas [217]. 

Our results for the small growth-restricted placenta are significantly higher than the normal 

placentas; however, they are lower than the other pathological placentas (Table 5). It was 

expected that the small growth-restricted placenta would show the highest stiffness as 

that would corroborate the clinical reason for an inefficient placental function. 

Summary 

This study was clearly able to differentiate the chorionic plates of the normal pregnancies 

from early-term and pathological cases. Chorionic plates from pathological placentas (e.g. 

pre-eclamptic, diabetic, and growth-restricted) were stiffer as compared to chorionic plates 

from placentas of comparable gestational ages. Although a larger sample size will help to 

properly categorize the different pathologies based on their biomechanical properties, this 

is a promising biomechanical test for the pharmaceutical and medical industries that use 

collagen extracted from placentas for biomedical purposes [218–221]. Also, further studies 

are required to test the correlation of these different moduli to chorionic surface 

vasculature, which if present, will be the base of future experiments to study which factor 

plays the cause and which one is the effect. 

Collagen type IV, the major component of chorionic plates and all basement membranes, 

defines integrity, stability and functionality that is required during the various 
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developmental stages of the fetus [222]. As expected, the moduli obtained for the 

chorionic plates in this study were lower than those obtained for the dermis whose major 

components are type I and type III collagen. 
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CHAPTER 5: SUMMARY AND FUTURE WORK 

The results presented in this dissertation suggest that vibrational analysis done in 

conjunction with OCT is a promising tool to non-destructively evaluate mechanical 

properties of ECM in animals and humans as well to provide morphomechanical analyses 

of tissues and implants. This study successfully employed vibrational technique in 

association with OCT to obtain the resonant frequencies of soft tissues and compute their 

elastic moduli.  

The calibration curve plotted for the results obtained from the vibrational OCT technique 

and the uniaxial tensile tests, a gold standard technique, on the same samples was a 

major plus for the proposed technique. Other elastography techniques need to conduct 

such experiments in order to confirm the results obtained from their methods that are 

based on multiple assumptions that may generate errors in their output parameters 

leading to a discrepancy in the values of the mechanical properties of a tissue measured 

using different techniques.  

This methodology allows for correction for viscoelastic effects and provides valuable 

information about the behavior of tissues, both normal and pathological, and that of 

implants used to replace tissue and organ function. The results of studies on chemically 

treated decellularized dermis suggest that vibrational analysis is a useful technique to look 

at changes in the properties of allografts and implants post-treatment. An apparatus based 

on this methodology that can provide real-time measures of material’s mechanical 

properties can aid surgeons in an operating room to analyze the viscoelastic properties of 

allografts and implants that they will be putting in a patient’s body. The detection of the 

Langer’s lines in order to align them in the host tissue and the allograft would be of vital 

importance to avoid implant failures at the interface that lead to multiple surgical 

corrections adding up to billions of dollars in cost every year. Other potential applications 
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of this technique include studying the effects of aging, cosmetic surgeries and other 

treatments on skin. It can also be used to test the efficacy of beauty products in terms of 

hydrating and/or softening the skin. 

The viscoelastic studies not only computed the loss modulus but also provided further 

evidence that ECM is almost purely elastic when vibrated at the resonant frequency. 

Future technological advancements of this technique should work to compute the 

viscoelastic properties of soft tissues in real-time like the ability of impulse-excitation 

based commercial systems that can evaluate the viscoelastic properties of solid elastic 

materials in real-time. 

The ability to extend in vitro measurements to in vivo assessments on skin and scar 

suggest that this method can be a useful tool to evaluate processes that alter skin 

properties in animals and humans as well to study the onset and pathogenesis of skin 

diseases such as cancer. Further studies are needed to properly calibrate this technique 

for in vivo applications as the tissue geometry is non-linear and tissue environment plays 

a major role in its functionality. This technique can be potentially be used to evaluate the 

extent of wound healing in skin ulcers and other chronic skin conditions. Such real-time 

non-invasive approaches can prevent the need of skin biopsies and save patient time, 

money and discomfort.  

The results from the placental experiments demonstrated significant differences in 

biomechanical properties of the chorionic plates of the early-term, normal and pathological 

pregnancies. Even though OCT does not have a penetration depth of ultrasound or MRI 

that can be used for imaging during pregnancy, this technique can be useful in establishing 

a ground truth about the mechanical properties of normal and pathological placentas. 

Future studies with a higher sample size will allow to further establish the differences in 

the biomechanical properties of normal and pathological placentas. Those can then be 
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correlated with morphological and branching characteristics of placental vasculature to 

understand any potential relationship between angiogenesis in placenta and its 

biomechanical properties. Such studies can also be used to evaluate whether poor 

angiogenesis is caused by stiffer placentas or is the cause-effect cycle other way around. 

Once these research studies establish the clinical parameters to be observed, UE or MRE 

can be used to monitor pregnancies and aid in early diagnosis of potential problems based 

on their mechanical properties. 

This thesis makes a strong case for using the vibrational technique with OCT in order to 

evaluate biomechanical properties of tissues and implants nondestructively. However, the 

studies reported in this dissertation employed OCT to only measure the displacement of 

the test samples induced by a vibrating speaker. Future studies can utilize the imaging 

functionality of OCT in order to obtain high resolution two-dimensional images or three-

dimensional volumes of the tissue and overlay stiffness information on them to obtain 

elastograms of great clinical importance.  
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