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ABSTRACT 

 Structural organization of the extracellular matrix components of the aorta is 

critical to its loading-bearing capacity and homeostasis. Aortic elastic fibers form 

concentric lamellar layers with a closely interwoven three-dimensional network of 

collagen and elastic fibers in the narrow interlamellar space. Aging and cardiovascular 

diseases are closely associated with disrupted microstructural organization, integrity, as 

well as altered mechanical and failure properties of the aortic wall. The overall goal of 

this research is to advance the current understanding of the mechanical and failure 

mechanisms of human descending thoracic aorta and provide insights for aortic 

remodeling during aging and disease progression using integrated biomechanical testing, 

imaging, and computational modeling approaches. 

Biaxial tensile tests revealed anisotropic stiffening of the aortic wall with aging 

with a more drastic stiffening behavior in the longitudinal direction. A newly developed 

constitutive model considering collagen crosslinking suggested that collagen crosslinking 

has an increasing contribution to the stress-stretch behavior and elastic energy storage in 
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aortic senescence. The aorta relies on interlamellar structural components, mainly elastic 

and collagen fibers, for maintaining its structural and mechanical integrity. Our study 

using peeling and direct tension tests demonstrated that elastic and collagen fibers both 

play an important role in bonding of the arterial wall, while collagen fibers dominate the 

interlamellar stiffness, strength and toughness. Our study further reveals that the 

interlamellar strength and toughness both increase due to nonenzymatic glycation, which 

is in accordance with the reported inverse relation between diabetes and a reduced risk of 

aortic dissection. On the other hand, however, our study showed decreasing interlamellar 

bonding toughness of the medial layer of human descending thoracic aorta with aging. 

Avalanches and power-law behavior in dissection propagation was found for all age 

groups investigated. Finite element simulations incorporating discrete interlamellar 

collagen fibers successfully recapitulates the power-law behavior and points to prominent 

structural alterations in interlamellar collagen fibers with aging including reduced fiber 

density and higher degree of dispersion.  

In aging and diseases, changes to the extracellular matrix microstructure can 

trigger a cascade of effects on tissue and cellular function. The knowledge gained from 

this research provide insights into the microstructural mechanisms in determining the 

physiological and failure properties of aorta and will potentially generate clinical impact 

on the developments of new diagnostics and interventions. 
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CHAPTER 1 INTRODUCTION 

1.1 Objectives 

 The aorta is the main artery in human body that delivers the blood from the left 

ventricle of the heart to the branch arteries and further to the rest of the body. The proper 

function of aorta, which is of critical importance to our health, depends on the structural 

organization of its extracellular matrix (ECM) components. An aorta is primarily 

composed of collagen and elastin, two major structural proteins that form a complex 

three-dimensional (3D) network and endow the tissue its load-bearing and damage-

resisting capacities. Cardiovascular diseases are the leading cause of death in most 

countries of the world (Bonow et al. 2002; Everson-Rose and Lewis 2005), and are 

associated with disrupted microstructural organization and integrity as well as altered 

mechanical and failure properties of the aortic wall (Humphrey 2002; Pasta et al. 2012). 

Using a combination of mechanical testing, computational modeling and imaging 

methods, this dissertation aims to advance the current understanding of the mechanical 

and failure properties of the aorta and provide insights for aortic remodeling in aging and 

diseases. 

 

1.2 Microstructure of the aorta 

The aortic wall is a laminated structure with three distinct layers: the adventitia, 

media and intima (Figure 1.1). The adventitia is the outermost layer which is in contact 

with loose connective tissues and protects the aortic wall from overstretch and rupture. It 

is consisted of fibroblasts and fibrocytes, helically arranged wavy type I collagen fibers, 
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and ground substances (Holzapfel et al. 2000). The intima is the innermost layer that is 

composed of a single layer of endothelial cells and an underlying basal membrane. It has 

important biological functions most of which are correlated with blood-flow induced 

shear stresses, but has little contribution to the mechanical properties of a healthy aorta 

(Holzapfel et al. 2000; Humphrey and Na 2002). From a mechanical perspective, aortic 

media plays a crucial role in a healthy aorta (Holzapfel et al. 2000). It is consisted of 

collagen (types I, III and V), elastic fibers, GAGs and smooth muscle cells (SMCs). 

Aortic media can be further divided into a number of concentric layers each defined by a 

fenestrated elastic lamella (Wolinsky and Glagov 1964, 1967). Together with collagen 

fibers and radially-running elastic fibers in the interlamellar space, a 3D network is 

formed for SMCs to reside in (O'Connell et al. 2008; Wagenseil and Mecham 2009), as 

shown in Figure 1.2. 

 

 

Figure 1.1. Microstructure of the aortic wall (Holzapfel et al. 2000). 



 

 

3 

 
Figure 1.2. Three-dimensional scanning electron microscopy images showing the 

architecture of arterial elastin (O'Connell et al. 2008). 

 
 

1.3 Aortic remodeling in cardiovascular diseases 

Aortic remodeling is a commonly observed pathological process in the 

progression of cardiovascular diseases. Diabetes is known to accelerate aging induced 

stiffening of the aorta by nonenzymatic glycation (Vlassara et al. 1986; Cameron et al. 

2003). Glucose molecules react with the residual group of proteins to form advanced 

glycation end-products (AGEs) which induce intermolecular crosslinking of structural 

proteins (Brownlee et al. 1988), ultimately causing ECM fiber stiffening and aggregation 

(Silverstein et al. 2015; De et al. 2020). Aortic aneurysms are local dilatations of the 

aortic wall initiated by loss of elastic fibers and SMCs (Humphrey and Holzapfel 2012). 



 

 

4 

An enlarging aortic aneurysm is accompanied by increased wall stress and decreased wall 

strength (Vorp 2007). One of the most lethal complications of an aneurysm is aortic 

dissection. It begins with a tear in the intima, which permits blood flow to enter the media 

and separate the elastic lamellae (Sherifova and Holzapfel 2019); rupture of the arterial 

wall occurs when damage propagates radially across lamellae (Sommer et al. 2008). 

Propagation of aortic dissection leads to local buildup of strain energy followed by 

avalanches of elastin and collagen fibers (Yu et al. 2020). In addition, aging is a 

prominent predisposing factor of cardiovascular diseases (Dernellis and Panaretou, 2005; 

Riambau et al., 2017). The aorta stiffens with age (Jadidi et al., 2020) and undergoes 

profound compositional and structural alterations including but not limited to elastin 

fragmentation, increase of collagen concentration and crosslinking, SMC stiffening and 

ECM fiber reorientation and straightening (Spina and Garbin, 1976; Schlatmann and 

Becker, 1977; Toda et al., 1980; Brüel and Oxlund 1996; Haskett et al. 2010; Qiu et al., 

2010; Wheeler et al., 2015; Amabili et al., 2021; Cavinato et al., 2021; Franchini et al., 

2021). As shown by these examples, a more in-depth understanding of the biomechanics 

and mechanobiology of the aortic wall in healthy and diseased conditions will greatly 

benefit the prevention, diagnosis and treatment of cardiovascular diseases. 

 

1.4 Outline of research 

This dissertation combines mechanical testing, imaging and computational 

modeling to investigate the mechanical and structural properties of the descending 

thoracic aorta in health and disease. In Chapter 2, the experimental methods utilized in 
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this research are introduced, including biaxial tensile test, peeling test, direct tension test 

and multiphoton imaging. 

In Chapter 3, changes of the biaxial mechanical behavior of human descending 

thoracic aorta with aging were investigated. Planar biaxial tensile tests were performed to 

assess the stiffness and anisotropy of the descending thoracic aortic wall of different age 

groups. A novel constitutive model incorporating collagen crosslinking into the two-fiber 

family model was developed to describe the biaxial mechanical response. The role of 

collagen crosslinking in aging-induced aortic stiffening was analyzed based on its 

contribution to the stress-stretch behavior and strain energy density of the aorta under 

biaxial tension. 

In Chapter 4, the mechanical and structural contributions of arterial elastin and 

collagen fibers to interlamellar bonding were studied through peeling test, multiphoton 

imaging and finite element modeling. The interfacial energy release rate was obtained 

from peeling tests. Cohesive zone model based simulations of peeling test provided a 

comprehensive description of the interlamellar bonding behavior of aortic media and 

elastin. Multiphoton imaging was used to demonstrate the recruitment pattern of both 

elastin and collagen fibers within the interlamellar space during dissection. 

In Chapter 5, effects of glycation on the interlamellar bonding properties of 

arterial elastin were examined. Peeling and direct tension tests were performed to provide 

complimentary information on understanding the interlamellar layer separation properties 

of elastin network with glycation effect. Peeling tests were simulated using a cohesive 

zone model to extract more detailed properties of elastin interlamellar bonding. 
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Multiphoton imaging was used to visualize the interlamellar elastin fibers in samples 

subjected to peeling and direct tension. 

In Chapter 6, effects of aging on the interlamellar dissection properties of the 

medial layer of human descending thoracic aorta were studied. Peeling tests were 

conducted to evaluate the force and energy release rate as well as the avalanche and 

power-law behavior in dissection propagation. A finite element model considering failure 

of discrete interlamellar collagen fibers was employed to simulate interfacial fracture. 

Mechanical and structural alterations of the interlamellar collagen fibers with aging were 

elucidated by fitting the simulated power-law exponent to that measured from 

experiments. 

In Chapter 7, conclusions and potential directions for future work are presented. 
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CHAPTER 2 EXPERIMENTAL METHODS 

2.1 Overview 

 This chapter gives an introduction to the experimental methods used in this 

dissertation, including biaxial tensile test, peeling test, direct tension test and multiphoton 

microscopy. 

 

2.2 Biaxial tensile test 

 Samples were cut into approximately 2 cm × 2 cm square patches. Four carbon 

dots were glued to the center of the sample surface. Four hooks were placed on each edge 

of a sample and were connected to actuators of a custom-built tester with sutures. 

Stretches of the sample in both the circumferential and longitudinal directions were 

obtained by tracking the displacement of the carbon dots with a CCD camera. The 

thickness and effective edge length (hook-to-hook distance) in both the circumferential 

and longitudinal directions of each sample were measured using a caliper. The sample 

was submerged in phosphate buffered saline (PBS) solution during testing. A preload of 5 

N/m was applied to both the circumferential and longitudinal directions to straighten the 

sample so that the initial configuration of the sample was defined. 8 cycles of 40 N/m 

equibiaxial tensile loads were applied to the sample as preconditioning to achieve 

repeatable mechanical response. Then, the sample was subjected to 8 cycles of 300 N/m 

equibiaxial tensile loads with a half cycle time of 10 seconds. Data from the last cycle 

was used for analysis. Assuming tissue incompressibility, Cauchy stresses can be 

calculated as (Zou and Zhang 2009) 
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𝜎1 =
𝐹1𝜆1

𝐿02𝑡
,   𝜎2 =

𝐹2𝜆2

𝐿01𝑡
                                              (2.1) 

where 𝜎 is the Cauchy stress, 𝐹 is the applied force, 𝜆 is the stretch, 𝐿0 is the initial 

effective edge length, and 𝑡 is the initial sample thickness. The subscripts 1 and 2 denote 

the longitudinal and circumferential directions. 

 

2.3 Peeling test 

 Samples were cut into approximately 40 mm × 10 mm rectangular strips. The 

long axis of each sample was oriented in either the circumferential direction or the 

longitudinal direction. Damage was initiated in each sample by making an incision of 

about 10 mm into the middle of the thickness and creating two “tongues” with 

approximately equal thickness. To make the initial incision, a surgical scalpel was held 

parallel to the surface of a sample and was carefully cut into the middle of the thickness 

of the sample. Next, the delamination forefront and the two separated “tongues” were 

visually inspected. In the case that any in-plane damage of the lamellae adjacent to the 

incision was inspected, the sample was rejected. The thickness, width and bonded length 

of the sample was measured using a digital caliper. Sandpaper tabs were glued to the two 

“tongues” and clamped by grips attached to a uniaxial tensile tester (Instron, Norwood, 

MA, USA). Steady-state mode-I peeling test was carried out by fixing one “tongue” of 

the sample and pulling away the other “tongue” with an extension rate of 0.2 mm/s. The 

test terminated when the sample completely delaminated. The peeling force as well as the 

displacement of the moving grip were recorded at a frequency of 5 Hz. The energy 

release rate (with an alternative interpretation as interlamellar toughness, i.e., the energy 
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required to split a unit area of the interface) can be calculated as (Sommer et al. 2008) 

𝐺𝑐 = (𝑊𝑒𝑥𝑡 − 𝑊𝑒𝑙𝑎𝑠𝑡𝑖𝑐)/𝐿                                         (2.2) 

where 𝐺𝑐 is the energy release rate. 𝑊𝑒𝑥𝑡 = 2𝐹𝑙 is the total external work done by the 

peeling force, and 𝑊𝑒𝑙𝑎𝑠𝑡𝑖𝑐 = 𝐹(𝑙 − 𝐿) is the elastic energy stored within the stretched 

tissue. 𝐹 is the mean peeling force per unit width of the sample. 𝐿 and 𝑙 are length of the 

sample strip in the initial and stretched states, respectively. 

 

2.4 Direct tension test 

 Samples were first cut into approximately 2 cm × 2 cm square patches. 

Cylindrical samples with a diameter of 6.35 mm were cut from the square patches using a 

punching tool. Damage was initiated in the samples by making an incision of about 1 mm 

depth into the middle of the thickness around its circumference. Consequently, the 

diameter of the effective bonding area reduced to 4.35 mm. Direct tension tests were 

performed by mounting the two end surfaces of the sample on a uniaxial tensile tester 

(Instron, Norwood, MA, USA) and stretching the sample along its radial direction until 

complete separation (Sommer et al. 2008). Two rigid rods gripped by the tester were 

glued with sandpaper using cyanoacrylate glue. The end surfaces of the sample were then 

glued to the sandpaper by first attaching one side of the sample to the fixed rod and then 

bringing the other rod to the sample. A compressive force of 0.01 N was applied to the 

sample for about 5 minutes for the adhesion to set. To minimize the influence of glue on 

the measurement of mechanical failure properties, each sample was checked to ensure 

that there was no extra glue on the circumference or within the initial incision of the 
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sample, otherwise the sample was discarded. Before the testing started, the sample was 

moisturized with PBS spray at room temperature. The moving rod was then pulled away 

at an extension rate of 0.02 mm/s. The displacement of the moving rod as well as the 

reaction force was recorded at a frequency of 5 Hz. The deformation process of a sample 

was monitored carefully. The testing was rejected if damage did not propagate from the 

location where the initial incision was made, or separation occurred at the glued interface 

between the sandpaper and the tissue. The interlamellar strength was obtained by 

dividing the maximum reaction force prior to the damage onset point, which was marked 

by a rapid drop in the slope of the force-displacement curve after the initial increase of 

the reaction force, by the initial effective bonding area as 

𝑡𝐷𝑇 =
𝐹0

𝐴
                                                         (2.3) 

where 𝑡𝐷𝑇 is the interlamellar strength measured from direct tension tests. 𝐹0 is the 

maximum reaction force prior to the damage onset point. 𝐴 = 4𝑑2 𝜋⁄  is the effective 

bonding area of the sample. 𝑑 = 4.35 𝑚𝑚 is the diameter of the effective bonding area. 

 

2.5 Multiphoton microscopy 

 An inverted multiphoton microscopy system (Carl Zeiss LSM 710 NLO) was 

used to generate two-photon excited fluorescence (2PEF) from elastin (525/45 nm) and 

second harmonic generation from collagen (417/80 nm) (Chow et al. 2014; Yu et al. 

2018a, b). The excitation wavelength of the femtosecond IR pulse laser was set to be 810 

nm. The laser scanning system was coupled with a 20× water immersion objective lens. 

Samples were prepared following the same protocols for mechanical testing as described 
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in Sections 2.2, 2.3 and 2.4. Samples were then mounted on a custom-built device for 

multiphoton imaging. For imaging of peeling samples, the two “tongues” of the sample 

were gripped and stretched apart so that the dissection forefront was exposed under the 

lens. For imaging of direct tension samples, a stretch of about 2 mm was applied on the 

sample to expand the initial incision and straighten the interlamellar fibers; the lens was 

then placed above the incision. Z-Stack images of about 50 μm in depth with 1 μm 

distance in between the adjacent images were acquired. Each image has a field of view of 

425 μm × 425 μm with a pixel size of 0.83 μm × 0.83 μm.  
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CHAPTER 3 EFFECT OF AGING ON THE BIAXIAL MECHANICAL 

BEHAVIOR OF HUMAN DESCENDING THORACIC AORTA: EXPERIMENTS 

AND CONSTITUTIVE MODELING CONSIDERING COLLAGEN 

CROSSLINKING 

3.1 Overview 

 Collagen crosslinking, an important contributor to the stiffness of soft tissues, was 

found to increase with aging in the aortic wall. Here we investigated the mechanical 

properties of human descending thoracic aorta with aging and the role of collagen 

crosslinking through a combined experimental and modeling approach. A total of 32 

samples from 17 donors were collected and divided into three age groups: <40, 40–60 

and >60 years. Planar biaxial tensile tests were performed to characterize the anisotropic 

mechanical behavior of the aortic samples. A recently developed constitutive model 

incorporating collagen crosslinking into the two-fiber family model (Holzapfel and 

Ogden, 2020) was modified to accommodate biaxial deformation of the aorta, in which 

the extension and rotation kinematics of bonded fibers and crosslinks were decoupled. 

The mechanical testing results show that the aorta stiffens with aging with a more drastic 

change in the longitudinal direction, which results in altered aortic anisotropy. Our results 

demonstrate a good fitting capability of the constitutive model considering crosslinking 

for the biaxial aortic mechanics of all age groups. Furthermore, constitutive modeling 

results suggest an increased contribution of crosslinking and strain energy density to the 

biaxial stress-stretch behaviors with aging and point to excessive crosslinking as a 

prominent contributor to aortic stiffening. 
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3.2 Introduction 

The aortic wall stiffens with age (Cecelja and Chowienczyk, 2012), which gives 

rise to an augmented systolic blood pressure with increased risks for the development of 

multiple co-morbid diseases such as hypertension, stroke and chronic kidney disease 

(Wang et al., 2005; North and Sinclair, 2012). The microstructural mechanisms that 

contribute to aging-induced aortic stiffening are diverse. Within the aortic extracellular 

matrix (ECM), crosslinking plays an important role in determining arterial stiffness. Two 

types of crosslinks were identified in aortic collagen: enzyme driven crosslinking 

(Fujimoto, 1982; Eyre et al., 1984; Reiser et al., 1992; Carmo et al., 2002), as well as 

nonenzymatic advanced glycation end-products (AGEs) (Wolff et al., 1991; Hoshino et 

al., 1995). The density of enzymatic crosslinking increases rapidly before maturation 

(Brüel and Oxlund 1996; Watanabe et al., 1996). However, controversial information 

exists regarding the post-maturation change of enzymatic crosslinking density, as a 

slightly increasing trend was found in some studies (Fujimoto, 1982; Watanabe et al., 

1996), whereas other researchers reported a constant (Brüel and Oxlund 1996) or 

decreasing trend (Hoshino et al., 1995). Nevertheless, the density of nonenzymatic 

crosslinking increases with age throughout the lifespan (Hoshino et al., 1995; Sims et al., 

1996; Snedeker and Gautieri, 2014), and was found to have a positive correlation with 

aortic stiffness (Brüel and Oxlund, 1996).  

Crosslinks stiffen the collagen network primarily by restraining sliding between 

fibers and engaging more fibers to load-bearing (Depalle et al., 2015; Žagar et al., 2015). 

The network stiffness is dictated by the density rather than stiffness of crosslinks as 
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revealed by molecular and fiber level computational studies (Depalle et al., 2015; Lin and 

Gu, 2015; Chen et al., 2017). Besides aging, increased collagen crosslinking density has 

been found to accelerate with the progression of other diseases such as diabetes (Sims et 

al., 1996) and aneurysm (Carmo et al., 2002). Although excessive crosslinking is 

detrimental, it should be noted that a proper amount of enzymatic crosslinking in the 

ECM is necessary for a normal mechanical function of soft tissues by providing stiffness 

and strength necessary for maintaining the stability of the ECM (Brüel et al., 1998), 

facilitating stress transfer among neighboring fibers to make the tissue behave as a 

coherent network (Lindeman et al., 2010), as well as reducing energy loss during cyclic 

loading (Kim et al., 2017). In addition to collagen, crosslinks can form among other 

aortic ECM components including elastin and glycoproteins. Specifically, AGEs in aortic 

elastin increase with aging (Konova et al., 2004) while the two major enzymatic elastin 

crosslinks desmosine and isodesmosine decrease slightly (John and Thomas, 1972). 

Histidinoalanine, a crosslink between glycoproteins, and between glycoproteins and 

collagen and elastin, increases drastically with aging (Fujimoto, 1982). 

While experimental characterization of the contribution of collagen crosslinks to 

arterial wall mechanics remains a challenge, in several efforts, modeling approaches have 

been used to incorporate collagen crosslinking at multiple length scales. Molecular 

dynamics models (Buehler, 2008; Depalle et al., 2015; Kwansa et al., 2016) and discrete 

fiber network models (Lin and Gu, 2015; Žagar et al., 2015; Chen et al., 2017; Yu and 

Zhang, 2022) were employed to elucidate the effect of crosslinking density, type and 

mechanical properties on the deformation and failure behavior of fibers and networks. At 
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the tissue level, statistical mechanics-based model was used to describe arterial 

mechanics where the crosslinking density is inversely related to chain length (Zhang et 

al., 2005, 2007; Tian et al., 2016). Several recent continuum mechanics-based models 

were developed in which the contribution of collagen crosslinking to tissue behavior was 

decoupled from the rest of the ECM. In a study by Sacks et al. (Sacks et al., 2016), the 

interaction between collagen fiber families induced by crosslinking was modeled by 

decoupling extensional and rotational effects. In Sáez et al. (Sáez et al., 2014), the strain 

energy density function was extended with an additional isotropic term to incorporate the 

mechanical contribution of crosslinking. Recently, a constitutive model considering the 

stretch of crosslinks and crosslink-fiber interaction was incorporated into a two-fiber 

family model (Holzapfel and Ogden, 2020). These studies reported better fitting and 

predicting capabilities of constitutive models considering the contribution of crosslinking.  

Invariant 𝐼8 was introduced by Spencer (1984) to model the coupling interactions 

between two families of fibers under finite deformation, and then adopted in several 

studies to model fiber-fiber and crosslink-fiber interactions (Merodio and Ogden, 2006; 

Holzapfel and Ogden, 2020). While most biomechanical investigations of human thoracic 

aorta were performed with uniaxial tensile tests (Manopoulos et al., 2018; Amabili et al., 

2019; Amabili et al., 2021), for anisotropic soft tissues such as the aortic wall, biaxial 

tensile testing allows for adjusting the biaxial loading ratio in uniquely determining the 

parameters for three-dimensional constitutive models (Sacks, 2000). However, under 

biaxial deformation, extension and rotation kinematics could have opposite mathematical 

effects on the change of the magnitude of 𝐼8 and thus diminish the contribution of 
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crosslink-fiber interaction to the strain energy density.  

In this study, motivated by Holzapfel and Ogden (2020), collagen crosslinking 

was incorporated into a two-fiber family model to describe the biaxial mechanical 

behavior of the aorta. The extension and rotation kinematics of crosslinking was 

decoupled so that both mechanisms can independently contribute to biaxial deformation. 

Exponential functions were used in describing the crosslinking-associated strain energy 

density in nonlinear aortic stiffening. Also, changes of the mechanical properties of 

human descending thoracic aorta with aging was studied to provide new insights into the 

microstructural mechanisms of aortic stiffening through constitutive modeling. Biaxial 

tensile tests were performed on human descending thoracic aortas from 24 to 90 years old 

donors. The effect of aging on aortic stiffness and anisotropy as well as the mechanical 

role of crosslinking in the aging aorta was examined through a combined experimental 

and modeling approach. 

 

3.2 Material and methods 

3.2.1 Sample preparation 

Human descending thoracic aortas were obtained from the National Disease 

Research Interchange (NDRI) and transported to laboratory on dry ice and stored at -

80°C before experiment. The age, gender and selected medical information of aorta 

donors is summarized in Table 3.1. The use of human tissue was reviewed and approved 

by the Institutional Biosafety Committee at Boston University. Before experiments, 

aortas were defrosted at -20°C for 5 hours followed by 3 hours at 4°C and then 1 hour at 
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room temperature. Square samples free of visible atherosclerotic plaques with a 

dimension of approximately 2.5 × 2.5 cm were cut with the edges of the samples aligned 

with the longitudinal and circumferential directions of the aorta. Loose connective tissue 

was removed from the adventitial surface. Two samples were obtained from each aorta 

except for aortas N8 and N16 due to limited tissue size. All samples were obtained from 

the proximal region of the descending thoracic aorta to reduce longitudinal variation of 

the mechanical properties of aortic tissues (Purslow, 1983; Zou and Zhang, 2009; 

Rouleau et al., 2012; Kim et al., 2013; Zeinali-Davarani et al., 2015). Donors were 

divided into three age groups: <40 (n=8), 40-60 (n=11), and >60 (n=13) years.  

 

3.2.2 Planar biaxial tensile testing 

Refer to Section 2.2 for a detailed description of biaxial tensile testing. Samples 

were then subjected to the following five biaxial loading protocols: 𝑇𝐿: 𝑇𝐶=200:200, 

200:150, 200:100, 100:200, and 150:200 N/m. Tangent modulus was obtained by taking 

the derivative of a fifth order polynomial fit to the Cauchy stress-stretch data. The peak 

stretch under 200:200 N/m equibiaxial tension were obtained in both circumferential and 

longitudinal directions and used to assess the degree of anisotropy (DA) as (Jadidi et al., 

2020):  

𝐷𝐴 =
𝜆𝐿−𝜆𝐶

0.5(𝜆𝐶+𝜆𝐿)
                                                      (3.1) 
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Table 3.1 Age, gender and selected medical information of human descending thoracic 

aorta donors used in this study. HTN - hypertension; HLP - hyperlipidemia; BMI - body 

mass index; F - female; M - male; Y - yes; N - no; * - during pregnancy; SIGSW - self-

inflicted gunshot wound; MVA - motor vehicle accident; CPA - cardiopulmonary arrest; 

CVA - cerebrovascular accident; ABI - anoxic brain injury; HD - heart disease; COPD - 

chronic obstructive pulmonary disease. 

Age 

group 
Donor 

Age 

(years) 
Gender HTN HLP BMI 

Cause 

of 

death 

<40 

years  

N1 24 F  Y* N 30.27 SIGSW 

N2 26 M N N 26.5 MVA 

N3 32 M N N 64.83 CPA 

N4 39 F N N 24.69 CVA 

40–60 

years  

N5 42 M Y N 44.3 CPA 

N6 44 F Y N 38.23 ABI 

N7 47 M Y N 47.47 CPA 

N8 49 M Y N 24.06 CVA 

N9 57 F N N 18.5 ABI 

N10 59 M N N 29.18 HD 

>60 

years  

N11 62 F Y N 25.81 CVA 

N12 64 F N Y 38.6 CPA 

N13 70 M Y N Unknown CVA 

N14 72 F N N 72.45 CPA 

N15 74 F N N 14.98 COPD 

N16 87 M Y Y 29.53 CPA 

N17 90 F Y N 16.14 CPA 

 

 

3.2.3 Constitutive model development 

Two-fiber family model was chosen upon which the crosslinking mechanisms are 

based to represent the two prominent collagen fiber families found in the intima, media 

and adventitia in human thoracic aortas (Schriefl et al., 2012). In the newly developed 

constitutive model, deformation of collagen crosslinks and crosslink-fiber interaction 
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were incorporated into the two-fiber family model considering the kinematics of bonded 

fiber and crosslink under biaxial deformation. A schematic of the model, shown in Figure 

3.1, contains two collagen fiber families with the angle between each collagen fiber 

family and the longitudinal direction denoted by 𝜃. 𝑬𝟏 = {𝑐𝑜𝑠𝜃, 𝑠𝑖𝑛𝜃, 0}𝑇 and 𝑬𝟐 =

{𝑐𝑜𝑠𝜃, −𝑠𝑖𝑛𝜃, 0}𝑇 are unit vectors along the direction of the two collagen fibers. The 

crosslinks are symmetrically distributed within each collagen fiber family. As shown in 

Figure 3.1, the angle between the orientation of crosslinks and their associated collagen 

fibers is denoted by 𝛼0. 𝑳𝟏,𝟐
+  and 𝑳𝟏,𝟐

−  are unit vectors in the direction of crosslinks, where 

subscripts 1 and 2 denote the family of collagen fibers that the crosslinks are attached to, 

and superscripts + and – are used to distinguish between the two crosslink families, and 

can be written as: 

𝑳𝟏
± = ±𝑐𝑜𝑠𝛼0𝑬𝟏 + 𝑠𝑖𝑛𝛼0𝑬𝟏𝑹, and 𝑳𝟐

± = ±𝑐𝑜𝑠𝛼0𝑬𝟐 + 𝑠𝑖𝑛𝛼0𝑬𝟐𝑹            (3.2) 

where 𝑬𝟏𝑹 = {−𝑠𝑖𝑛𝜃, 𝑐𝑜𝑠𝜃, 0}𝑇 and 𝑬𝟐𝑹 = {−𝑠𝑖𝑛𝜃, −𝑐𝑜𝑠𝜃, 0}𝑇 are unit vectors normal 

to collagen fiber orientations (Figure 3.1).  
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Figure 3.1 Schematic of a sample with two families of collagen fibers and crosslinks. 

𝑬𝟏,𝟐 is the unit vector in the orientation of collagen fibers; 𝑬𝟏,𝟐𝑹 is the unit vector normal 

to the orientation of collagen fibers; 𝑳𝟏,𝟐
±  is the unit vector in the orientation of crosslinks; 

𝜽 denotes the angle between the longitudinal direction of the aorta and the orientation of 

collagen fibers; and 𝜶𝟎 denotes the angle between the orientations of collagen fibers and 

their associated crosslinks. 

 

With crosslinks bonded to collagen fibers, under mechanical loading, both 

collagen fibers and crosslinks are stretched, leading to relative rotation between the 

bonded fibers and crosslink. The bonded fiber and crosslink may mechanically interact 

by extension and relative rotation, both of which contribute to the increase of the strain 

energy density of the aortic wall under deformation (Sacks et al., 2016; Mansouri et al., 

2021). Considering the kinematics of bonded fiber and crosslink under biaxial tension 
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(Appendix A), the extension and relative rotation of bonded fiber and crosslink was 

decoupled in this model. The strain energy density function of the aorta, 𝑊2𝐹𝐹𝐶 , is thus 

given by: 

𝑊2𝐹𝐹𝐶 = 𝑊2𝐹𝐹 + 𝑊𝑐 + 𝑊𝑐𝑓                                          (3.3) 

where 𝑊2𝐹𝐹, 𝑊𝑐 and 𝑊𝑐𝑓 are strain energy density functions of the two-fiber family 

model (Holzapfel et al., 2000), deformation of collagen crosslinks, and crosslink-fiber 

interaction, respectively. The strain energy density function of the two-fiber family model 

is: 

𝑊2𝐹𝐹 =
𝜇

2
(𝐼1 − 3) +

𝑘1

2𝑘2
{𝑒𝑥𝑝 [𝑘2(𝐼4,1 − 1)

2
] − 1} +

𝑘1

2𝑘2
{𝑒𝑥𝑝 [𝑘2(𝐼4,2 − 1)

2
] − 1} (3.4) 

where the first term represents the contribution of ground substance, smooth muscle cells, 

and elastin with 𝜇 being the shear modulus, and 𝐼1 is the first invariant of the right 

Cauchy-Green deformation tensor 𝑪. For the two collagen fiber families represented by 

the second and the third terms, 𝑘1 is a stress-like parameter, and 𝑘2 is a dimensionless 

parameter. 𝐼4,1 and 𝐼4,2 are square of collagen fiber stretch and can be obtained as 𝑬𝟏 ∙

𝑪𝑬𝟏 and 𝑬𝟐 ∙ 𝑪𝑬𝟐, respectively.  

The strain energy density function of crosslinking extension, 𝑊𝑐, is assumed to 

follow the same exponential form as that of collagen fibers to accommodate the reported 

increased nonlinearity of aortic stress-stretch behavior with aging (Geest et al., 2004; 

Jadidi et al., 2020): 

𝑊𝑐 =
𝜈1

2𝜈2
{𝑒𝑥𝑝[𝜈2(𝐼1

+ − 1)2] − 1} +
𝜈1

2𝜈2
{𝑒𝑥𝑝[𝜈2(𝐼1

− − 1)2] − 1} +
𝜈1

2𝜈2
{𝑒𝑥𝑝[𝜈2(𝐼2

+ −

1)2] − 1} +
𝜈1

2𝜈2
{𝑒𝑥𝑝[𝜈2(𝐼2

− − 1)2] − 1}                                                      (3.5) 
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where 𝜈1 is a stress-like parameter, and 𝜈2 is a dimensionless parameter. 𝐼1,2
± = 𝑳𝟏,𝟐

± ∙

𝑪𝑳𝟏,𝟐
±  is the square of crosslink stretch.  

To model the relative rotation between the bonded fiber and crosslink, a modified 

invariant, 𝐼8∗
1,2±

, which decouples the extensional effects of bonded fiber and crosslink 

from its unmodified counterpart, and only incorporates the relative rotation between 

bonded fiber and crosslink in considering the crosslink-fiber interaction, is introduced as: 

𝐼8∗
1,2± =

𝐼8
1,2±

√𝐼4,1,2𝐼1,2
±

= 𝑐𝑜𝑠𝛼±                                       (3.6) 

As shown in Equation 3.6, 𝐼8∗
1,2±

 is equal to the cosine of the angle between 

bonded fiber and crosslink in the deformed configuration. 𝛼+ and 𝛼− are the angles 

between collagen fiber orientated in 𝑬𝟏,𝟐 and associated crosslinks oriented in 𝑳𝟏,𝟐
+  and 

𝑳𝟏,𝟐
−  directions in the deformed configuration, respectively. The invariant 𝐼8

1,2±
 couples 

the extension and relative rotation of bonded fiber and crosslink under deformation and is 

defined as (Merodio and Ogden, 2006; Holzapfel and Ogden, 2020): 

𝐼8
1,2± = 𝑳𝟏,𝟐

± ∙ 𝑪𝑬𝟏,𝟐                                              (3.7) 

The strain energy density function of the crosslink-fiber interaction, 𝑊𝑐𝑓, captures 

the relative rotation between the bonded fiber and crosslink and follows the same 

exponential form as those of fiber and crosslink extension: 

𝑊𝑐𝑓 =
𝜅1

2𝜅2
{𝑒𝑥𝑝[𝜅2(𝐼8∗

1+ − 𝑐𝑜𝑠𝛼0)2] − 1} +
𝜅1

2𝜅2
{𝑒𝑥𝑝[𝜅2(𝐼8∗

1− + 𝑐𝑜𝑠𝛼0)2] − 1} +

𝜅1

2𝜅2
{𝑒𝑥𝑝[𝜅2(𝐼8∗

2+ − 𝑐𝑜𝑠𝛼0)2] − 1} +
𝜅1

2𝜅2
{𝑒𝑥𝑝[𝜅2(𝐼8∗

2− + 𝑐𝑜𝑠𝛼0)2] − 1}        (3.8) 

where 𝜅1 is a stress-like parameter, and 𝜅2 is a dimensionless parameter.  
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For comparison purpose, the two-fiber family model without the consideration of 

collagen crosslinking is also adopted to describe the aortic biaxial mechanical response. 

The Cauchy stress tensor, 𝝈, can be calculated as: 

𝝈2𝐹𝐹𝐶,2𝐹𝐹 = −𝑝𝑰 + 2𝑭
𝜕𝑊2𝐹𝐹𝐶,2𝐹𝐹

𝜕𝑪
𝑭𝑇                                    (3.9) 

where 𝑰 is the identity tensor and 𝑝 = 𝜇/(𝜆𝐿
2𝜆𝐶

2) is the Lagrange multiplier.  

 

3.2.4 Parameter estimation 

The constitutive models were implemented in MATLAB (Version R2019a, The 

MathWorks, Inc., Natick, MA) and fit to the experimental Cauchy stress-stretch data 

considering all five loading protocols simultaneously for each sample. Model parameters 

𝜇, 𝑘1, 𝑘2, 𝜈1, 𝜈2, 𝜅1 and 𝜅2 were set to be greater than zero, 𝜃 and 𝛼0 varied between 0 

and 90°. Parameters were estimated by minimizing the following objective function: 

𝜓 = ∑ [(𝜎𝐿
𝑐 − 𝜎𝐿

𝑒)𝑖
2

+ (𝜎𝐶
𝑐 − 𝜎𝐶

𝑒)𝑖
2

]
𝑚/2
𝑖=1                           (3.10) 

where 𝑚 is the total number of data points. Superscripts 𝑐 and 𝑒 denote Cauchy stresses 

from the model and experiment, respectively. The fminsearch function with embedded 

Nelder-Mead direct search method was used to minimize the objective function with a 

tolerance of 1 × 10−8. To ensure that the global minimum of the objective function is 

reached, and to enhance the reliability and robustness of the estimated parameters, the 

model was fit to five biaxial tensile loading protocols (𝑇𝐿: 𝑇𝐶=200:200, 200:150, 200:100, 

100:200, and 150:200 N/m) simultaneously. Also, the nonlinear regression with 

fminsearch was carried out with multiple random initial guesses. The estimation was 
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accepted only when different initial guesses converge to the same set of parameters. The 

goodness of fit was measured by the coefficient of determination (𝑅2) as well as the root 

mean square error (RMSE) defined as (Holzapfel et al., 2005):  

RMSE =
√

𝜓

𝑚−𝑞

𝜎𝑟𝑒𝑓
                                                  (3.11) 

where 𝑞 is the number of parameters of the constitutive model, and 𝜎𝑟𝑒𝑓 is the sum of 

Cauchy stresses of each data point divided by the number of data points 𝑚. Additionally, 

to account for the different numbers of parameters in the two constitutive models, the 

corrected Akaike information criterion (AICC) which penalizes the goodness of fit for 

increasing number of model parameters was also used and is defined as (Zeinali-Davarani 

et al., 2009; Ferruzzi et al., 2011): 

AICC = 𝑚ln (
𝜓

𝑚
) + 2(𝑞 + 1) +

2(𝑞+1)(𝑞+2)

𝑚−𝑞−2
                         (3.12) 

A better fit corresponds to a lower AICC. Further, contributions of the strain energy 

density due to crosslink deformation (𝑊𝑐) and crosslink-fiber interaction (𝑊𝑐𝑓) to the 

total strain energy density (𝑊) of all samples under 200 N/m equibiaxial tension were 

obtained as 𝑊𝑐/𝑊 and 𝑊𝑐𝑓/𝑊, respectively, which were then compared across age 

groups to provide a better understanding of the contribution of collagen crosslinking to 

the mechanical behavior of human descending thoracic aorta with aging. 
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3.2.5 Statistical analysis 

Data are summarized using box plots and are also presented as mean ± standard 

error of the mean (SEM). Data normality of the peak stretch, tangent modulus, degree of 

anisotropy, 𝑅2, RMSE, AICC, 𝑊𝑐/𝑊 and 𝑊𝑐𝑓/𝑊 was examined with the Kolmogorov-

Smirnov and the Shapiro-Wilk tests. Within each age group, paired t-test was used to 

compare the peak stretch and tangent modulus between the circumferential and 

longitudinal directions, and 𝑅2, RMSE and AICC of the stress-stretch fittings with 

constitutive models with and without crosslinking. Across the three age groups, one-way 

analysis of variance (ANOVA) was used with Bonferroni correction for the peak stretch, 

tangent modulus, degree of anisotropy, 𝑅2, RMSE, 𝑊𝑐/𝑊 and 𝑊𝑐𝑓/𝑊. AICC was used to 

compare the goodness of fit of a constitutive model for samples of matching age groups. 

Correlation analysis of age relevant to 𝑊𝑐/𝑊 and 𝑊𝑐𝑓/𝑊, as well as mechanically or 

structurally meaningful model parameters 𝜇, 𝜃 and 𝛼0, is performed. For statistical 

analysis involving data that are not normally distributed, the Wilcoxon signed-rank test 

and the Kruskal-Wallis H test were used as nonparametric counterparts of the paired t-

test and one-way ANOVA. All statistical analysis was performed in SPSS (Version 27, 

IBM Corp., Armonk, NY). p<0.05 was considered statistically significant. 

 

3.3 Results 

The Cauchy stress-stretch curves of all samples under 200 N/m equibiaxial 

tension are shown in Figure 3.2. With aging, the stiffness in both longitudinal and 

circumferential directions increases as the Cauchy stress-stretch curves become steeper 
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and gradually shift towards left. The increase of stiffness with aging is also supported by 

the decreasing peak stretch (Figure 3.3a) and increasing tangent modulus (Figure 3.3b) in 

both directions. The longitudinal and circumferential peak stretches decrease from 1.31 ± 

0.03 and 1.29 ± 0.02 for the <40 age group to 1.21 ± 0.01 and 1.26 ± 0.01 for the 40-60 

age group and then to 1.10 ± 0.01 and 1.16 ± 0.02 for the >60 age group, respectively. 

The longitudinal tangent modulus increases from 2.08 ± 0.17 MPa to 3.31 ± 0.48 MPa 

and then to 5.48 ± 0.49 MPa for the <40, 40-60 and >60 age groups, respectively; while 

the circumferential tangent modulus was found to be 1.80 ± 0.19 MPa and 1.80 ± 0.20 

MPa for the <40 and 40-60 years groups, respectively, and increases to 3.11 ± 0.30 MPa 

for the >60 age group. A more prominent stiffening effect was found in the >60 age 

group for both circumferential and longitudinal directions (p<0.05), as no significant 

difference of the peak stretch and tangent modulus was found between the <40 and 40-60 

years age groups. However, aortic stiffening with aging is more drastic in the longitudinal 

than in the circumferential direction (Figure 3.3), as from the <40 to 40-60 age groups the 

mean longitudinal peak stretch decreases by 7.63% while the mean circumferential peak 

stretch decreases by only 2.33%, and from 40–60 to >60 age groups the mean 

longitudinal peak stretch decreases by 9.09% (p<0.05) while the mean circumferential 

peak stretch decreases by 7.94% (p<0.05). Similarly, from the <40 age group to the >60 

age group, the mean longitudinal tangent modulus increases by 163.46% (p<0.05) while 

the mean circumferential tangent modulus increases by 72.78% (p<0.05). Aging also 

alters the degree of anisotropy as the in-plane stiffness is higher in the circumferential 

direction than the longitudinal direction in the <40 years age group; while as the age 
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further increases, the longitudinal direction exhibits a significantly higher stiffness than 

the circumferential direction for both 40-60 and >60 age groups (p<0.05), as shown in 

Figure 3.3. The change of the degree of anisotropy with aging is given in Figure 3.4, 

where a positive value of DA corresponds to a higher circumferential stiffness and a 

negative value of DA corresponds to a higher longitudinal stiffness. The degree of 

anisotropy decreases from 0.019 ± 0.026 to -0.042 ± 0.013 and then to -0.052 ± 0.018 for 

the <40, 40-60 and >60 age groups, respectively, with significant difference between the 

<40 and >60 age groups (p<0.05). 
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Figure 3.2 Cauchy stress-stretch curves in the circumferential and longitudinal directions 

of human descending thoracic aortas under 200 N/m equibiaxial tension test from the <40 

yrs (years), 40-60 yrs, and >60 yrs age groups.  
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Figure 3.3 Effect of aging on a peak stretch and b tangent modulus of human descending 

thoracic aortas under 200 N/m equibiaxial tensile test. Boxes in the plots represent the 

middle 50% (from the first quartile to the third quartile) of the data set; the horizontal line 

inside the box represents the median; the cross symbol represents the mean; and the 

dotted symbols represent individual data points. (*p<0.05, **p<0.01, ***p<0.001, 

****p<0.0001) 

 

 

Figure 3.4 Effect of aging on the degree of anisotropy (DA) of human descending 

thoracic aortas under 200 N/m equibiaxial tensile test. The absolute value of DA 

increases suggesting a more anisotropic behavior of the sample. A positive DA 

corresponds to a higher circumferential stiffness while a negative DA corresponds to a 

higher longitudinal stiffness. Boxes in the plot represent the middle 50% (from the first 

quartile to the third quartile) of the data set; the horizontal line inside the box represents 

the median; the cross symbol represents the mean; and the dotted symbols represent 

individual data points. (*p<0.05) 
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Representative model fitting results of the experimental Cauchy stress-stretch 

curves with the two constitutive models with and without the consideration of collagen 

crosslinking are shown in Figures 3.5 and 3.6. Parameters as well as the associated 𝑅2, 

RMSE and AICC of each sample are listed in Tables 3.2 and 3.3. The correlation 

coefficients and p-values of the correlation analysis of 𝜇, 𝜃, 𝛼0 with age are shown in 

Table 3.4. Collagen orientation, 𝜃, shows a strong negative correlation with age while the 

other two parameters do not. Compared to the model with crosslinking, the model 

without crosslinking is less capable of capturing the mechanical response at high stretch 

and exhibits relatively large fitting error for protocols with highly unequal biaxial tensile 

loads, i.e., when 𝑇𝐿: 𝑇𝐶=200:100 and 100:200 N/m, as shown in Figure 3.5. The fitting 

capacity of the constitutive model without crosslinking decreases with aging, as the 

RMSE increases from 0.18 ± 0.01 to 0.20 ± 0.01 and then to 0.27 ± 0.01 for the <40, 40-

60 and >60 years age groups, respectively; and 𝑅2 decreases from 0.96 ± 0.002 to 0.95 ± 

0.005 and then to 0.92 ± 0.005 for the <40, 40–60 and >60 years age groups, 

respectively. Significant difference was found between the <40 and >60 as well as 

between the 40-60 and >60 years age groups for both 𝑅2 and RMSE (p<0.05). On the 

contrary, the model with crosslinking shows improved goodness of fit (Figure 3.6), and 

the improved fitting capacity leads to significantly lower RMSE (p<0.05) and AICC 

(p<0.05) as well as higher 𝑅2 (p<0.05) for all age groups than the model without 

crosslinking (Figure 3.7). The RMSE considering crosslinking was found to be 0.07 ± 

0.01, 0.06 ± 0.01 and 0.09 ± 0.01 for the <40, 40-60 and >60 years age groups, 

respectively; and 𝑅2 considering crosslinking was found to be 0.99 ± 0.002, 0.99 ± 0.001 
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and 0.99 ± 0.002 for the <40, 40-60 and >60 years age groups, respectively. In addition, 

without crosslinking, the AICC was found to be 3087.1 ± 131.6, 3002.0 ± 114.4 and 

3126.8 ± 72.8 for the <40, 40-60 and >60 years age groups, respectively, which was 

reduced to 1446.3 ± 229.4, 1086.5 ± 192.0 and 1361.5 ± 186.7 after the effects of 

collagen crosslinking are incorporated into the constitutive model. The goodness of fit of 

the model with crosslinking is not affected by aging as no significant difference was 

found in either RMSE (p=0.07) or 𝑅2 (p=0.21) across the three age groups (Figure 3.7). 

Compared with the <40 and 40-60 years groups, contributions of crosslinking-related 

strain energy density to the total strain energy density of samples under 200 N/m 

equibiaxial tension increased significantly in the >60 years age group (p<0.05). The ratio 

of the strain energy density due to crosslink deformation to the total strain energy density,  

𝑊𝑐/𝑊, was found to be 34.90% ± 6.32%, 30.06% ± 2.94% and 58.98% ± 6.12% for the 

<40, 40-60 and >60 years age groups, respectively. The ratio of the strain energy density 

due to crosslink-fiber interaction to the total strain energy density, 𝑊𝑐𝑓/𝑊, was found to 

be 0.10% ± 0.05% for the <40 years group, which increased slightly to 0.17% ± 0.07% 

and drastically to 2.34% ± 0.72% for the 40-60 and >60 years groups, respectively, as 

shown in Figure 3.8. Correlation analysis also demonstrates that both 𝑊𝑐/𝑊 and 𝑊𝑐𝑓/𝑊 

are positively correlated with age (p<0.05), as shown in Table 3.4. 
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Table 3.2 Model parameters of the two-fiber family model without considering the effect 

of crosslinking, and the associated root mean square error (RMSE), coefficient of 

determination (𝑹𝟐), and corrected Akaike information criterion (AICC) as measures of the 

goodness of fit. Two samples were obtained from each aorta except for N8 and N16. In 

the column of “Sample”, numbers 1 and 2 in the parentheses denote the first and second 

sample obtained from the corresponding aorta. 

 Constitutive model parameters  Goodness of fit 

Sample 𝜇 (kPa) 𝑘1 (kPa) 𝑘2 𝜃 (°)  RMSE 𝑅2 AICC 

N1(1) 40.98 31.83 0.67 49.53  0.173 0.967 3590.0 

N1(2) 38.77 32.96 0.56 48.47  0.166 0.969 3524.5 

N2(1) 57.96 8.78 5.32 46.70  0.154 0.971 3020.3 

N2(2) 34.31 12.72 2.58 45.29  0.192 0.956 3116.7 

N3(1) 54.20 8.42 7.08 51.72  0.188 0.958 3158.7 

N3(2) 39.26 11.41 4.23 48.49  0.191 0.957 3103.7 

N4(1) 24.17 6.83 3.17 44.44  0.180 0.964 2482.6 

N4(2) 21.53 7.52 3.05 44.80  0.199 0.959 2700.2 

N5(1) 39.70 9.15 4.91 46.91  0.161 0.968 2482.9 

N5(2) 38.04 5.12 5.62 41.80  0.167 0.965 2630.7 

N6(1) 46.24 19.84 2.57 46.46  0.194 0.959 3229.1 

N6(2) 48.21 14.61 2.92 43.60  0.158 0.975 3038.0 

N7(1) 26.93 15.63 2.96 46.94  0.235 0.931 3144.0 

N7(2) 40.63 10.41 3.84 43.86  0.175 0.964 2872.6 

N8 26.19 6.51 7.88 42.56  0.253 0.926 2756.6 

N9(1) 59.08 19.24 15.23 46.95  0.242 0.940 3656.1 

N9(2) 45.78 28.95 10.34 41.86  0.262 0.937 3611.8 

N10(1) 30.57 8.94 7.61 44.10  0.210 0.950 2822.6 

N10(2) 34.01 4.04 8.16 43.23  0.196 0.959 2778.0 

N11(1) 56.18 6.23 42.27 39.20  0.251 0.930 2801.9 

N11(2) 32.17 6.93 22.32 37.55  0.256 0.933 2873.1 

N12(1) 49.64 4.64 55.94 35.90  0.323 0.904 3246.3 

N12(2) 28.26 10.15 28.76 48.80  0.249 0.939 2795.4 

N13(1) 64.94 4.92 40.19 36.75  0.268 0.928 3224.7 

N13(2) 43.51 5.93 18.52 39.43  0.215 0.953 2876.3 

N14(1) 63.02 14.01 50.08 42.01  0.309 0.893 3377.4 

N14(2) 35.93 10.29 11.53 44.05  0.216 0.949 2892.4 

N15(1) 67.47 6.75 32.87 40.06  0.295 0.910 3579.4 

N15(2) 65.29 8.64 57.27 34.48  0.307 0.909 3333.1 

N16 40.99 10.75 25.32 40.68  0.265 0.928 3000.0 

N17(1) 74.73 7.66 112.84 35.08  0.319 0.901 3309.7 

N17(2) 109.32 31.39 237.41 48.16  0.298 0.908 3338.5 
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Table 3.3 Model parameters of the two-fiber family model considering the effect of 

crosslinking, and the associated root mean square error (RMSE), coefficient of 

determination (𝑹𝟐), and corrected Akaike information criterion (AICC) as measures of the 

goodness of fit. Two samples were obtained from each aorta except for N8 and N16. In 

the column of “Sample”, numbers 1 and 2 in the parentheses denote the first and second 

sample obtained from the corresponding aorta. 

 Constitutive model parameters 

Sample 𝜇 (kPa) 𝑘1 (kPa) 𝑘2 𝜃 (°) 𝜈1 (kPa) 𝜈2 𝜅1 (kPa) 

N1(1) 18.97 22.95 2.50E-11 54.78 12.95 0.44 9.36E-09 

N1(2) 23.93 33.59 4.87E-11 61.18 5.32 0.77 8.66 

N2(1) 41.73 3.32 2.62E-12 43.20 8.19 3.59 11.64 

N2(2) 29.48 5.19E-06 26.18 44.53 6.94 2.40 6473.79 

N3(1) 34.20 23.28 3.80 51.38 2.10E-04 15.23 39.83 

N3(2) 30.66 12.17 3.31 59.38 2.03 3.43 6.87 

N4(1) 13.84 4.15 3.81 39.26 5.19 0.48 2.03E-04 

N4(2) 13.73 1.70 5.37 36.02 5.69 0.81 5.34E-13 

N5(1) 31.43 12.80 2.33 56.65 1.22 5.94 4.91 

N5(2) 35.25 0.44 11.18 33.96 2.83 4.23 1598.61 

N6(1) 29.85 12.52 0.37 85.57 8.77 2.81 0.23 

N6(2) 34.91 3.81 0.32 77.93 9.00 2.56 21.88 

N7(1) 16.79 24.82 2.60E-13 54.82 0.52 9.50 8.92 

N7(2) 29.07 11.07 7.81E-10 54.07 3.48 4.72 8.95 

N8 12.19 10.61 0.02 70.31 2.57 11.05 9.87 

N9(1) 4.19E-11 68.21 0.88 46.57 3.64 20.72 56998.71 

N9(2) 33.98 15.35 12.91 37.01 5.73 10.06 7.78E-09 

N10(1) 28.31 5.62 4.64 60.72 1.22 13.21 6.67 

N10(2) 24.36 9.47 0.28 54.07 0.96 10.75 6.56 

N11(1) 45.17 1.03 74.96 7.45 4.03 33.20 84.37 

N11(2) 27.20 3.65 44.92 19.05 2.69 17.31 60.51 

N12(1) 17.76 0.39 98.67 6.79E-08 10.73 28.16 252.29 

N12(2) 1.14E-09 2.93 2.94 10.30 14.63 18.84 71.70 

N13(1) 49.59 1.19 71.46 24.59 4.60 20.95 504.41 

N13(2) 30.14 0.65 27.59 6.83 5.85 13.34 96.93 

N14(1) 3.90E-14 0.98 51.46 10.97 33.77 20.53 4.74E-06 

N14(2) 32.79 2.84 8.00 11.41 3.51 12.67 43.07 

N15(1) 9.83 4.75 46.48 22.53 23.94 3.89 1.60E-12 

N15(2) 31.18 6.96 121.88 18.00 12.38 17.44 256.07 

N16 13.73 1.95 48.38 8.20 13.96 12.96 105.05 

N17(1) 15.44 16.36 110.84 24.93 22.46 26.81 1509.29 

N17(2) 9.02E-09 15.00 68.95 10.86 48.04 144.34 51.08 
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 Constitutive model parameters  Goodness of fit 

Sample 𝜅2 𝛼0 (°)  RMSE 𝑅2 AICC 

N1(1) 7025.75 28.12  0.032 0.999 1061.3 

N1(2) 5.13E-14 90.00  0.026 0.999 715.5 

N2(1) 21.15 82.16  0.073 0.993 1895.7 

N2(2) 3.07E-09 17.98  0.049 0.997 1036.5 

N3(1) 15.35 58.24  0.130 0.979 2599.2 

N3(2) 7.52E-08 78.47  0.085 0.991 1879.2 

N4(1) 1221.35 44.42  0.096 0.989 1543.2 

N4(2) 6.33E-03 57.87  0.057 0.997 839.7 

N5(1) 21.42 90.00  0.043 0.998 511.5 

N5(2) 2117.17 18.87  0.057 0.996 995.7 

N6(1) 1133.84 54.97  0.080 0.993 1885.7 

N6(2) 103.98 51.36  0.029 0.999 471.0 

N7(1) 5.23E-10 72.48  0.069 0.994 1286.9 

N7(2) 6.03E-06 73.55  0.038 0.998 539.3 

N8 133.33 69.87  0.088 0.991 1164.2 

N9(1) 81231.28 15.27  0.089 0.992 2135.5 

N9(2) 0.27 21.41  0.083 0.993 1866.3 

N10(1) 5.01E-07 84.31  0.053 0.997 724.5 

N10(2) 52.09 78.59  0.041 0.998 371.3 

N11(1) 313.89 41.70  0.068 0.995 819.2 

N11(2) 404.88 28.82  0.042 0.998 85.5 

N12(1) 337.07 39.69  0.167 0.972 2244.5 

N12(2) 168.76 54.88  0.077 0.994 1006.3 

N13(1) 2.96E-09 27.17  0.070 0.995 1173.1 

N13(2) 162.75 38.94  0.055 0.997 801.4 

N14(1) 0.13 48.58  0.155 0.972 2348.1 

N14(2) 1.42E-10 48.90  0.058 0.996 916.0 

N15(1) 0.83 54.12  0.103 0.988 1988.2 

N15(2) 3.06E-12 33.30  0.092 0.991 1506.0 

N16 182.50 43.01  0.074 0.994 1065.7 

N17(1) 3.72E-11 26.07  0.138 0.979 2053.2 

N17(2) 5.62E-09 51.18  0.101 0.988 1692.2 
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Figure 3.5 Representative curve fitting results of the two-fiber family model without 

considering the effect of crosslinking. Symbols represent experimental data and curves 

represent constitutive model fitting.  
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Figure 3.6 Representative curve fitting results of the two-fiber family model considering 

the effect of crosslinking. Symbols represent experimental data and curves represent 

constitutive model fitting.  
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3.4 Discussion 

Aortic stiffening is a significant contributor and predictor of the progression of 

various diseases (Dernellis and Panaretou, 2005; O’Rourke and Safar, 2005; Wang et al., 

2005; Riambau et al., 2017). Computational modeling of aging effects on aortic stiffening 

coupled with microstructural characteristics will greatly benefit our understanding of the 

mechanisms underlying aortic aging and pathologies, and lead to more reliable metrics 

for aortic function assessment and prediction. This study shows that human descending 

thoracic aorta stiffens with aging with a faster increase of stiffness in the longitudinal 

direction than the circumferential direction along with a reversed degree of anisotropy. 

Constitutive model considering the deformation of collagen crosslinks and crosslink-fiber 

interaction provides improved fitting capacity to the biaxial tensile behavior as compared 

to the two-fiber family model. It is found that collagen crosslinking has an increasing 

contribution to the stress-stretch behavior and strain energy density in human aorta 

senescence.  

 

Table 3.4 Correlation coefficients and p-values of the correlation between age and model 

parameters as well as crosslinking-related strain energy contributions. 𝝁 - shear modulus 

of the non-collagenous components, 𝜽 - the angle between collagen fiber orientation and 

the longitudinal direction of the aorta, 𝜶𝟎 - angle between orientations of bonded 

crosslink and fiber, 𝑾𝒄 - strain energy density of crosslink stretch, 𝑾𝒄𝒇 - strain energy 

density of crosslink-fiber interaction, 𝑾 - total strain energy density. 

 𝜇 𝜃 𝛼0 𝑊𝑐/𝑊 𝑊𝑐𝑓/𝑊 

Correlation coefficient -0.308 -0.678 -0.305 0.523 0.512 

p-value 0.086 2.0E-5 0.089 0.002 0.003 
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Figure 3.7 Comparison of a root mean square error (RMSE), b coefficient of 

determination (𝑹𝟐) and c corrected Akaike information criterion (AICC) as measurements 

of the goodness of fit for the two-fiber family model (2FF) and the two-fiber family with 

crosslinking model (2FFC). Boxes in the plots represent the middle 50% (from the first 

quartile to the third quartile) of the data set; the horizontal line inside the box represents 

the median; the cross symbol represents the mean; and the dotted symbols represent 

individual data points. (**p<0.01, ***p<0.001, ****p<0.0001) 
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Figure 3.8 Contributions of the strain energy density due to a crosslink deformation (𝑾𝒄) 

and b crosslink-fiber interaction (𝑾𝒄𝒇) to the total strain energy density (𝑾) of human 

descending thoracic aorta samples under 200 N/m equibiaxial tensile test. Boxes in the 

plots represent the middle 50% (from the first quartile to the third quartile) of the data set; 

the horizontal line inside the box represents the median; the cross symbol represents the 

mean; and the dotted symbols represent individual data points. (*p<0.05, **p<0.01) 

 

 Our results demonstrate an increasing stiffness of aging human descending 

thoracic aorta (Figures 3.2 and 3.3), which is consistent with earlier biomechanics studies 

(Langewouters et al., 1984; Sherebrin et al., 1989; Haskett et al., 2010; García-Herrera et 

al., 2012; Weisbecker et al., 2012; Amabili et al., 2019; Jadidi et al., 2020; Amabili et al., 

2021; Franchini et al., 2021). The compromised mechanical functionality with aging 

dovetails with the reported increase in collagen concentration (Spina et al., 1983; Cattell 

et al., 1996; Wheeler et al., 2015; Cavinato et al., 2021), while the concentration of 

elastin decreases (Spina et al., 1983; Andreotti et al., 1985; Seyedsalehi et al., 2015). 

Meanwhile, similar as previously reported (Haskett et al., 2010; García-Herrera et al., 

2012; Jadidi et al., 2020), our study shows faster longitudinal stiffening and reversed 

anisotropy (Figure 3.4). Interestingly, correlation analysis shows 𝜃 decreases 

significantly with age (Table 3.4), suggesting a shift of collagen fibers towards the 
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longitudinal direction, which explains the faster longitudinal stiffening. Furthermore, the 

prominent decrease of elastin mass fraction reported by Seyedsalehi et al. (Seyedsalehi et 

al., 2015) could largely change its interaction with collagen and the overall wall behavior. 

Also, elastin degradation may be direction-dependent and may play a role in 

preferentially promoting collagen recruitment in the descending thoracic aortic media. A 

recent study found that matrix metalloproteinase-12 (MMP12) preferentially stiffens the 

longitudinal direction of aging artery in mouse (Brankovic et al., 2019). As two closely 

interwoven ECM components (Wolinsky and Glagov, 1964; Chow et al., 2014), future 

investigations of the remodeling of collagen and elastin as well as their interactions are 

necessary to better understand the elevated longitudinal stiffening of human descending 

thoracic aorta.  

Constitutive modeling results suggest a significant contribution of collagen 

crosslinking to aortic biaxial mechanical behavior regardless of age, as significant 

improvements of the goodness of fit are achieved by considering crosslinking as 

measured by 𝑅2, RMSE and AICC in all age groups (Figure 3.7). The strain energy 

density contributed by crosslink deformation is considerable in all age groups (Figure 

3.8a). This is corroborated by the fact that the amount of collagen crosslinks, pyridinoline 

and AGEs per collagen molecule, is already substantial in the thoracic aorta of young rats 

and the amount of AGEs keeps increasing with age after maturation (Brüel and Oxlund 

1996). Even for the thoracic aorta of young rats (11 weeks old), eliminating pyridinoline 

significantly reduces the stiffness of the tissue (Brüel et al., 1998). On the other hand, 

considering collagen crosslinking is even more important in the aged group. Compared 
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with the reduced fitting capacity of the model without crosslinking in the aged group, the 

model considering crosslinking showed sustained fitting capability for all age groups 

(Figure 3.7). The positive correlation of 𝑊𝑐/𝑊 and 𝑊𝑐𝑓/𝑊 with age (Table 3.4) along 

with the increase of 𝑊𝑐/𝑊 and 𝑊𝑐𝑓/𝑊 in the >60 years group (Figure 3.8) further 

confirms the essential role of collagen crosslinking in regulating aortic biaxial stress-

stretch behavior as well as the capacity of the new model in describing aging induced 

aortic stiffening.  

Exponential functions were adopted for the strain energy density of crosslink 

deformation and crosslink-fiber interaction (Equations 3.5 and 3.8), as compared to 

quadratic functions proposed by Holzapfel and Ogden (2020). Molecular dynamics 

simulations have found that the force-displacement curves of enzymatic collagen 

crosslinks under tension are highly nonlinear with distinct toe and knee regions (Depalle 

et al., 2015). In this study, increasing nonlinearity was observed in the Cauchy stress-

stretch curves of human aorta with aging (Figure 3.2), which calls for exponential 

functions with a more nonlinear nature and better fitting capability for describing the 

crosslinking-related mechanical responses. Although not reported here, with quadratic 

strain energy density functions, we found that crosslink deformation and crosslink-fiber 

interaction would dominate the biaxial mechanical response of samples in the <40 years 

age group where less nonlinear stress-stretch behaviors are exhibited.  

In this study, extensions of fibers and crosslinks are decoupled from the 

constitutive relation of crosslink-fiber interaction (Equations 3.6 and 3.8), to avoid the 

opposite mathematical effects of the extension and rotation kinematics on 𝐼8 in biaxial 
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deformation configuration while maintaining the simplicity of the constitutive model with 

minimal parameters (Equation 3.8). This is because that both fibers and crosslinks will be 

elongated under biaxial stretch (Equations. A.4 and A.5) and lead to an increase of the 

magnitude of 𝐼8, while the relative rotation between bonded fiber and crosslink might 

either increase or decrease the magnitude of 𝐼8 depending on multiple factors such as the 

initial angle between the longitudinal direction of the aorta sample and fiber orientation 

(𝜃), the initial angle between fiber and crosslink (𝛼0), and the ratio of stretches between 

the circumferential and longitudinal directions, as shown in Equation A.7. The relative 

rotation between bonded fiber and crosslink leads to an increase of the magnitude of 𝐼8 

only when 𝑐𝑜𝑠𝛼+ 𝑐𝑜𝑠𝛼0⁄  and 𝑐𝑜𝑠𝛼− 𝑐𝑜𝑠(180° − 𝛼0)⁄  are greater than 1, which is not 

guaranteed under biaxial stretch as shown in Figures A.1-A.5 of Appendix A.  

Although our study focuses on the descending thoracic aorta, difference in the 

stiffening behavior between the longitudinal and circumferential directions was found 

along the entire length of the aorta (Haskett et al., 2010). However, the degree of aging-

induced stiffening was found to increase from proximal to the distal regions along the 

aortic tree from both clinical reports and animal model studies (Hickson et al., 2010; 

Ferruzzi et al., 2018). With an increasing collagen to elastin ratio (Sokolis, 2007; 

Concannon et al., 2020), a decreasing undulation and alignment of collagen fibers 

(Haskett et al. 2010; Zeinali-Davarani et al. 2015) and a decreasing density of 

pyridinoline crosslinks (Whittle et al., 1987) from the proximal to the distal regions along 

the aortic tree, remodeling of individual ECM components and their interaction with 

aging is likely to be regional dependent. Structural-based constitutive modeling will be a 
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powerful tool in understanding the regional-dependency in aging and pathophysiology of 

the aorta.  

 

3.5 Limitations 

Several limitations regarding the experimental and modeling approaches of this 

study need to be pointed out. For mechanical testing, due to the required size of the aortic 

tissue samples for planar biaxial tensile testing, the circumferential variation in stiffness 

and thickness of the descending thoracic aorta, as previously reported (Kim and Baek, 

2011; Rouleau et al., 2012; Kim et al., 2013), was not taken into consideration. Two-fiber 

family model is adopted to consider collagen crosslinking. However, the modeling 

framework can be extended to constitutive models in which fiber dispersion and/or 

additional fiber families are considered (Gasser et al., 2006; Zeinali-Davarani et al., 2009; 

Jadidi et al., 2020; Holzapfel et al., 2015). Description of the crosslink-fiber interaction is 

rather phenomenological due to the lack of information on the interaction mechanisms 

between crosslinks and fibers. Future models with a refined structural representation of 

collagen crosslinks would lead to a more robust constitutive descriptor of aortic 

mechanics. In addition, the affine deformation assumption of the constitutive modeling 

approach adopted in this study could underestimate the reorientation underwent by the 

fiber and crosslink segments of the interconnected network (Chandran and Barocas, 

2006).  

Although this study focuses on collagen crosslinking, aortic stiffening results 

from combined effects of ECM remodeling and interactions of the constituents. The 
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deposition, crosslinking and decreased undulation of collagen could have a combined 

effect on the biaxial stiffness of the aorta. As a laminated fibrous soft tissue, each aortic 

layer undergoes unique microstructural alterations with aging (Amabili et al., 2021; 

Franchini et al., 2021). Layer-specific changes in ECM constituents may play important 

roles in the stiffening behavior of the aorta. Elastin fragmentation, which was observed 

with aging (Spina and Garbin, 1976; Schlatmann and Becker, 1977; Toda et al., 1980), 

may release the compressive stress exerted on collagen fibers and thus promote early 

collagen recruitment (Chow et al., 2014). The stiffness of vascular smooth muscle cells 

also increases with aging in the aorta (Qiu et al., 2010). While aging is the focus of this 

study, future studies are needed in understanding the role of crosslinking in aortic 

function considering the complex interplay among multiple physiological and 

pathological factors, such as aging, sex, and cardiovascular diseases.  

 

3.6 Conclusions 

Despite the reported increasing crosslinking density with aging, the mechanistic 

role of collagen crosslinking in aortic stiffening is yet to be delineated. In this study, the 

mechanical behavior of human descending thoracic aorta with aging was studied through 

constitutive modeling coupled with biaxial tensile testing. Our study revealed anisotropic 

stiffening of the arterial wall with the longitudinal direction stiffens more rapidly than the 

circumferential direction with aging. A constitutive model incorporating collagen 

crosslinking and deformation as well as crosslink-fiber interaction was developed to 

study the contribution of collagen crosslinking in regulating aortic stress-stretch behavior. 
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The modeling results demonstrated an increased contribution of collagen crosslinking to 

aortic mechanical properties with aging. Results from this study are important for 

elucidating the mechanistic mechanism of aortic stiffening with aging and the 

establishment of biomechanical-based metrics for vascular health assessment.
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CHAPTER 4 MECHANICAL AND STRUCTURAL CONTRIBUTIONS OF 

ELASTIN AND COLLAGEN FIBERS TO INTERLAMELLAR BONDING IN 

THE ARTERIAL WALL 

4.1 Overview 

The artery relies on interlamellar structural components, mainly elastin and 

collagen fibers, for maintaining its integrity and resisting dissection propagation. In this 

study, the contribution of arterial elastin and collagen fibers to interlamellar bonding was 

studied through mechanical testing, multiphoton imaging and finite element modeling. 

Steady-state peeling experiments were performed on porcine aortic media and the 

purified elastin network in the circumferential (Circ) and longitudinal (Long) directions. 

The peeling force and energy release rate associated with mode-I failure are much higher 

for aortic media than for the elastin network. Also, longitudinal peeling exhibits a higher 

energy release rate and strength than circumferential peeling for both the aortic media 

and elastin. Multiphoton imaging shows the recruitment of both elastin and collagen 

fibers within the interlamellar space, and points to in-plane anisotropy of fiber 

distributions as a potential mechanism for the direction-dependent phenomena of peeling 

tests. Three-dimensional finite element models based on cohesive zone model (CZM) of 

fracture were created to simulate the peeling tests with the interlamellar energy release 

rate and separation distance at damage initiation obtained directly from peeling test. Our 

experimental results show the separation distance at damage initiation is 80 "μm"  for 

aortic media and 40 "μm"  for elastin. The damage initiation stress was estimated from 

the model for aortic media (Circ: 60 kPa; Long: 95 kPa) and elastin (Circ: 9 kPa; Long: 
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14 kPa). The interlamellar separation distance at complete failure was estimated to be 3 - 

4 mm for both media and elastin. Furthermore, elastin and collagen fibers both play an 

important role in bonding of the arterial wall, while collagen has a higher contribution 

than elastin to interlamellar stiffness, strength and toughness. These results on 

microstructural interlamellar failure shed light on the pathological development and 

progression of aortic dissection. 

 

4.2 Introduction 

Aortic dissection is a serious cardiovascular disease that is often missed in 

antemortem diagnosis (Spittell et al. 1993) and is associated with a high rate of mortality 

(Hagan et al. 2000; Khan and Nair 2002). In general, three distinct stages are involved in 

the development of arterial dissection. It usually begins with a tear cutting in the intima 

(Thubrikar et al. 1999), which allows blood flow to enter the newly created interlamellar 

lumen in the arterial wall and spread both circumferentially and longitudinally in the 

media (Tam et al. 1998); damage of the media can further propagate radially across the 

lamellae, either back into the intima, or outwards to the adventitia causing devastating 

rupture of the arterial wall (Sommer et al. 2008). Microscopically, the dissection process 

involves failure of interlamellar elastin and collagen fibers, the two primary load bearing 

extracellular matrix (ECM) constituents in the artery (Pal et al. 2014). For a better 

understanding of the etiology and improved diagnosis of this disease, it is important to 

quantitatively examine the contribution of elastin and collagen to interlamellar bonding 

within the arterial wall. 
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The aortic media is composed of thick concentric elastic lamellae with a closely 

interwoven complex of collagen and elastin fibers in the narrow interlamellar space 

(Wolinsky and Glagov 1964, 1967). Using scanning electron microscopy, interlamellar 

elastin fibers were found to stem from an elastic lamella, protrude obliquely and 

terminate in the neighboring interlamellar space and account for 27% of the total elastin 

volume, and about 2% of elastic fibers are thick struts that provide direct connection 

between adjacent lamellae (O'Connell et al. 2008). More recently, radially-running elastin 

and collagen fibers were observed in human ascending thoracic aortic media using 

multiphoton imaging (Tsamis et al. 2013). Multiple studies have suggested that the 

propagation path of aortic dissection happens in the aortic medial layer (Erbel et al. 2001; 

Khan and Nair 2002; Nienaber and Clough 2015; Nienaber et al. 2016; Manopoulos et al. 

2018). Histological investigations of dissected human ascending thoracic aorta reported 

that the plane of dissection was in the outer media, and about 1/5 to 1/10 of the media 

was attached to the adventitia in the outer half of the dissected aortic wall (Manopoulos et 

al. 2018). In addition, in most cases an underlying chronic and generalized disease of the 

aortic media, such as aortic aneurysm (Erbel et al. 2001; Pasta et al. 2012) and Marfan's 

syndrome (Nienaber and Clough 2015), alters the interlamellar fiber micro-architectural 

(Tsamis et al. 2013) and predisposes the aorta to dissection (Khan and Nair 2002). 

Therefore, knowing the relationship between the integrity and interlamellar bonding 

properties of the aortic media is important to understand the mechanisms of aortic 

dissection. 

Experimental methods used to measure the interlamellar dissection properties of 
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arterial tissues include pressurization (Carson and Roach 1990; Roach and Song 1994; 

Tam et al. 1998), direct tension in the radial direction (MacLean et al. 1999; Sommer et 

al. 2008; Tong et al. 2011), and peeling tests (Sommer et al. 2008; Tong et al. 2011, 

2014; Pasta et al. 2012; Wang et al. 2011, 2014; Noble et al. 2016; Leng et al. 2018). 

More comprehensive review on the experimental assessment of arterial dissection can be 

found in previous work by Tong et al. (Tong et al. 2016) and Sherifova and Holzapfel 

(Sherifova and Holzapfel 2019). The pressurization test measures the interlamellar 

strength and energy release rate at a specific location, however the elastic energy stored 

within the deformed tissue cannot be separated from the total external applied work and 

thus compromises the accuracy of the measured energy release rate. The direct tension 

test provides local interlamellar stiffness and strength, but data for energy release rate is 

missing in this method due to complex damage modes towards the end of a test. The 

peeling test, however, has the advantage of ensuring a distinct separation of neighboring 

layers within the media as well as continuously characterizing the energy release rate of 

the tissue over a large interfacial area, and is used in this study.  

Several computational models have been employed to investigate the 

development of arterial dissection. For example, discrete fiber network model was used 

to assess the effects of structural features of collagen fibers and elastic lamellae on the in-

plane strength of the intimal layer, which governs the occurrence of a tear in the intima 

(Thunes et al. 2018). Constitutive modeling with image-based microstructural parameters 

points to alterations in collagen fiber architecture and corresponding wall stress 

distribution in aortic aneurysm (Pasta et al. 2016). Computational fluid dynamics models 
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were used to study the effects of flow pattern and pressure distribution on the tearing 

force (Chitsaz et al. 2012; Zhang et al. 2014), the correlation between entry tear size and 

flow rate in the patent false lumen (Rinaudo et al. 2014), as well as the alteration of 

hemodynamics in dissected aorta (Dillon-Murphy et al. 2016). It has been found that a 

greater entry tear adversely leads to a greater flow in the false lumen, and the pressure 

imbalance between the true and false lumen is the driving force for propagation of the 

crack tip in the false lumen. The cohesive zone model (CZM) has been widely used to 

simulate the propagation of arterial dissection (Gasser and Holzapfel 2006; Ferrara and 

Pandolfi 2010; Pal et al. 2014; Wang et al. 2017; Leng et al. 2018), as well as 

atherosclerotic plaque delamination (Ferrara and Pandolfi 2008; Leng et al. 2015, 2016; 

Merei et al. 2017). Reviews on the modeling studies of arterial dissection can be found 

from previous work by Doyle and Norman (Doyle and Norman 2016), Tong et al. (Tong 

et al. 2016) and Gültekin and Holzapfel (Gültekin and Holzapfel 2018). However, many 

of the previous CZM-based studies focused on setting up of the model, and the associated 

model parameters were often phenomenological.  

This study aims to understand the contribution of elastin and collagen fibers to 

interlamellar bonding in the arterial wall. Steady-state mode-I peeling tests were carried 

out on porcine aortic media as well as purified elastin network. The peeling force as well 

as the energy release rate were obtained for each sample. Multiphoton imaging was 

performed to gain insights into the structural roles of elastin and collagen fibers in 

resisting delamination during peeling tests. Peeling of the media and elastin was 

simulated using three-dimensional (3D) finite element models that were based on CZM 
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of fracture (Dugdale 1960; Barenblatt 1962). Material parameters of the CZM were 

directly related to the structural and mechanical parameters obtained from experiments. 

The mechanical and structural roles of elastin and collagen fibers in interlamellar bonding 

were then discussed.  

 

4.3 Material and methods 

4.3.1 Sample preparation 

Fresh proximal descending porcine thoracic aortas (12–24 months old) were 

harvested from a local abattoir and transported on ice to our laboratory. Aortas were cut 

into approximately 40 mm × 10 mm rectangular samples (Figure 4.1a) with the long edge 

oriented either in the circumferential or longitudinal directions. Aortic media was 

obtained by carefully removing the adventitia, thus similar mechanical properties can be 

expected on both sides of the tear during peeling test (Noble et al. 2016). The boundary 

between the adventitia and the media was easy to identify because the media is laminated 

and more structured than the adventitia (Holzapfel et al. 2005, 2007; Sommer et al. 

2008). When preparing the aortic media samples, we peeled the adventitia from the outer 

surface of the aortic wall until a smooth and laminated organization was seen, indicating 

that the adventitial layer has been removed. A total of 8 aortic samples of 2 cm × 2 cm 

squares with one edge parallel to the circumferential direction and the other parallel to the 

longitudinal direction were also prepared for biaxial tensile tests.  

Purified elastin was isolated using a cyanogen bromide (CNBr) treatment method 

to remove cells, collagen and other ECM components (Lu et al. 2004, Zou and Zhang 
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2009) from the media. Previous studies have shown that this purification method 

maintains the structure and function of the elastin network (Rasmussen et al. 1975; Lu et 

al. 2004; Zou and Zhang 2009). Briefly, aortic media samples were kept in 50 mg/ml 

CNBr in 70% formic acid at room temperature for 19 h, then at 60 °C for 1 h with gentle 

stirring, followed by boiling for 5 min to inactivate CNBr. A total of 24 rectangular 

samples were prepared, of which half were aortic media and the other half were purified 

elastin. Both aortic media and purified elastin network include 6 circumferentially 

oriented and 6 longitudinally oriented strips. All samples were rinsed several times and 

then stored in 1× phosphate buffered saline (PBS) for further mechanical testing and 

imaging. 

 

Figure 4.1 a A rectangular porcine aorta sample; and b mode-I peeling test of the aortic 

media. 
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4.3.2 Peeling test 

Refer to Section 2.3 for a detailed description of the experimental protocol. 

Briefly, dissection of the media was initiated in each sample by introducing a 10 mm 

incision at one end of the sample and creating two “tongues” of about equal thickness. 

The thickness, width and bonded length of each rectangular tissue strip were measured 

using a digital caliper. The two tongues were glued to the sandpaper and clamped by 

grips attached to a uniaxial tensile tester (Instron, Norwood, MA), as shown in Figure 

4.1b. A 10 N static load cell with a tolerance of ±0.25% of reading was used. Steady-state 

peeling tests were conducted by fixing one tongue of the sample and pulling away the 

other tongue at a rate of 0.2 mm/s to complete delamination. The displacement of the 

moving grip and the reaction peeling force during the delamination process were 

recorded at a frequency of 5 Hz, which provides a sampling interval of 0.04 mm. The 

energy release rate (𝐺𝑐, with an alternative interpretation as interlamellar toughness, i.e., 

the energy required to split a unit area of the interface) can be calculated by Equation 2.2. 

 

4.3.3 Planar biaxial tensile test 

Planar biaxial tensile tests were performed to characterize the in-plane mechanical 

properties of the aortic media. Refer to Section 2.2 for more details of the testing method. 

Tension control was used in the experiment. A preload of 5 N/m was applied to straighten 

the sutures before testing. For preconditioning, 8 cycles of 40 N/m equibiaxial load were 

applied to the tissue to obtain repeatable mechanical response. Then, samples were 

subjected to 8 cycles of 300 N/m equibiaxial load. Assuming plane stress and 
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incompressibility, force-displacement data from the last cycle was used to calculate 

Cauchy stress and stretch using Equation 2.1 (Zou and Zhang 2009). 

 

4.3.4 Statistical analysis 

Peeling force/width and energy release rate data were presented as mean ± 

standard deviation. Two-tailed unpaired t-tests were used for statistical comparison with 

p < 0.05 considered as statistically significant. 

 

4.3.5 Finite element model setup 

To gain insights into the interlamellar bonding in arterial tissues, 3D finite 

element models that capture the anisotropic mechanical behavior of the tissue were 

created in ABAQUS (version 6.14, Simulia, Providence, RI). The model consists of two 

initially separated tongues at the top and a single layer of cohesive elements sandwiched 

between the lamellar layers of the media (Figures. 3.2a, 3.2c and 3.2d). The thickness for 

aortic media and purified elastin was obtained by averaging experimental measurements, 

which was found to be 1.83 ± 0.17 mm for aortic media and 1.08 ± 0.13 mm for purified 

elastin. 3D 8-node brick elements (C3D8) were used for the media tissue and 8-node 

cohesive elements (COH3D8) were used for the cohesive zone. A mesh size dependency 

study was performed by varying the size of cohesive elements along the direction of 

dissection propagation (Y-direction in Figure 4.2). The peeling processes were simulated 

using a mesh size of 0.28 mm, 0.2 mm and 0.16 mm. As shown in previous studies 
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(Turon et al. 2007; Ferrara and Pandolfi 2010), coarser mesh gives a greater amplitude of 

the force oscillation but increases the mean value of the plateau regime on the 

force/width-displacement curve slightly. To improve the accuracy of the simulation and 

also consider the computational efficiency, the mesh size 0.2 mm was chosen for this 

study. The simulated peeling force/width was found to converge without spurious 

oscillations (Turon et al. 2007) using this mesh size. In addition, to further ensure the 

accuracy of the simulation, there were of 9 rows of cohesive elements within the 

damaged zone, i.e., the region from the delamination tip (where traction is zero) to the 

cohesion zone tip (where traction just reaches the critical point of damage initiation), as 

shown in Figure 4.2e.  

To minimize the effect of boundary clamping on the simulated reaction forces, 

equal and opposite X-displacement were prescribed on the two end surfaces to induce 

delamination. The Y-displacement of the bottom surface of the specimen in Figure 4.2a 

was constrained. Also, the node on the center of the bottom surface was pinned to keep 

the whole model from moving in the Z direction. The reaction force as well as 

displacement in the X direction of the right end surface was extracted at each incremental 

step and compared to the averaged experimental peeling force/width-displacement data 

for all sample groups. 

Simulation of the biaxial tension test was performed to determine the material 

parameters associated with the in-plane mechanical properties of aortic media and 

purified elastin network. Due to symmetric geometry and loading conditions, a quarter of 

the square sample was created in ABAQUS. The model was meshed using general-
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purpose shell elements (S4R) with inherent plane stress assumption. Symmetric boundary 

conditions were prescribed on two corresponding edges, while equibiaxial tensile loads 

were applied on the other two edges. Cauchy stress and stretch in the circumferential and 

longitudinal directions were obtained from the model and compared with experimental 

results. 

 
Figure 4.2 Three-dimensional finite element model of mode-I peeling of the arterial 

media. a Undeformed configuration; b deformed configuration; c and d detailed views of 

the cohesive elements (blue) sandwiched between the brick elements (gray) in the 

undeformed configuration; and e detailed view of the damaged zone containing 9 rows of 

cohesive elements in the simulation of damage propagation in the deformed 

configuration. 
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4.3.6 Constitutive modeling 

CZM with bilinear traction-separation relation shown in Figure 4.3 was employed 

to simulate the interfacial delamination during peeling tests. Since the testing method 

adopted is an opening-mode dominated failure process (Leng et al. 2018), only mode-I 

failure was considered in our simulation. The bilinear traction-separation law is fully 

characterized by three independent parameters: traction at damage initiation (𝑡0, with an 

alternative interpretation as interlamellar strength - the maximum elastic stress the 

interlamellar bonding can sustain before failure occurs), separation distance at damage 

initiation (𝛿0), and energy release rate (𝐺𝑐) which is equal to the area under the curve 

(Figure 4.3). 

 
Figure 4.3 Bilinear traction-separation law for the cohesive elements. 

 

Both aortic media and purified elastin network were modeled as a nearly 

incompressible anisotropic hyperelastic material with strain energy density function 

defined as (Holzapfel et al. 2000; Gasser et al. 2006): 
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𝑊 = 𝐶10(𝐼1̅ − 3) +
𝑘1

2𝑘2
∑ {𝑒𝑥𝑝[𝑘2〈�̅�𝑖〉

2] − 1}𝑖=1,2 +
1

𝐷
(

𝐽2−1

2
− ln𝐽)           (4.1) 

where the first term originates from the isotropic amorphous ground matrix, and the 

second term represents the mechanical response of two families of dispersed fibers 

embedded in the matrix. 𝐼1̅ is the first deviatoric strain invariant. 𝐶10 is related to the 

stiffness of the ground substance and has the unit of stress. 𝑘1 is another stress like 

parameter for fibers and 𝑘2 is a dimensionless parameter governing the nonlinearity of 

fibers at large strain. The strain-like quantity �̅�𝑖 = 𝜅(𝐼1̅ − 3) + ((1 − 3𝜅)𝐼4̅𝑖 − 1) 

characterizes the deformation of each family of fibers, in which 𝜅 is the dispersion 

parameter (0 ≤ 𝜅 ≤ 1/3), and 𝐼4̅𝑖 is the square of stretch along the mean direction of 

fibers. 𝜃 denotes the angle between the mean fiber direction and the longitudinal 

direction of the aorta. The third term in Equation 4.1 accounts for volume change of the 

sample. 𝐷 is analogous to the inverse of the bulk modulus, and 𝐽 is the volume ratio.  

 

4.3.7 Identification of model parameters 

The CZM has three parameters, 𝐺𝑐, 𝛿0 and 𝑡0. The average energy release rate 

within each sample group, obtained using Equation 2.2, was used as 𝐺𝑐. Parameter 𝛿0 

was also obtained from the experimental data. As shown in Figure 4.4a, the displacement 

increments (∆𝑑) associated with each ramp up of the peeling force were collected from 

all curves within each sample group, of which the median value was taken as the 

separation distance at damage initiation (𝛿0) for the CZM. The force ramp ups were 

filtered by eliminating force oscillations under the tolerance of the load cell. Finally, 
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parameter 𝑡0, traction at damage initiation, was adjusted to fit the simulated peeling force 

to averaged experimental measurements. The mean absolute percentage error (MAPE) 

between the simulated results and experimental data is defined as 

𝑀𝐴𝑃𝐸 =
1

𝑛
∑ |

𝑓𝑠𝑖𝑚,𝑖−𝑓𝑒𝑥𝑝

𝑓𝑒𝑥𝑝
|𝑛

𝑖=1                                         (4.2) 

where 𝑓𝑠𝑖𝑚,𝑖 is the 𝑖th peeling force/width data point from simulation and 𝑓𝑒𝑥𝑝 is the 

averaged value of peeling force/width from experiments. 𝑛 is the total number of data 

points to be compared. Because of the built-in numerical oscillations of the simulated 

reaction peeling force (Schellekens and De Borst 1993), the fitting was considered 

acceptable when MAPE was smaller than 5%. Once 𝑡0 was identified, the initial 

interlamellar stiffness (𝐾), as well as the separation distance at complete delamination 

(𝛿𝑐), can be calculated as 𝐾 = 𝑡0/𝛿0 and 𝛿𝑐 = 2𝐺𝑐/𝑡0. 

To determine the anisotropic hyperelastic material properties of aortic media and 

purified elastin network, the simulated Cauchy stress-stretch of equibiaxial tension was 

fitted to the averaged experimental data, which was from the planar biaxial tensile tests in 

this study for the media (Figure 4.5). For purified elastin network, the average Cauchy 

stress-stretch data based on 6 samples from a previous study was used (Wang et al. 

2015). Material parameters for modeling the anisotropic hyperelastic behavior of arterial 

media and purified elastin network are summarized in Table 4.1. 

 



 

 

60 

 

 

Figure 4.4 a A representative peeling force/width-displacement curve and its zoom-in 

graphs showing the high frequency oscillation of the peeling force; and b-e distribution of 

∆𝒅 from peeling tests of aortic media and elastin in the circumferential (Circ) and 

longitudinal (Long) directions. Dashed lines in b-e indicate the location of the median. 

Note that the vertical axis in b-e are in the logarithmic scale. 
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Figure 4.5 Experimental Cauchy stress-stretch curves of biaxial tensile tests of porcine 

aortic media in the a circumferential and b longitudinal directions. The thick black curves 

represent the arithmetic means. 

 

 

Table 4.1 Material parameters for the anisotropic hyperelastic behavior of arterial media 

and elastin network. 

 𝐶10 (𝑘𝑃𝑎) 𝑘1 (𝑘𝑃𝑎) 𝑘2 𝜅 𝜃 

Media 16.3 250 0.8 0.226 42.2 

Elastin 18.3 331 0.01 0.228 43.5 

 

 



 

 

62 

 
 
Figure 4.6 a The custom-built device for multiphoton imaging of the peeling forefront; b 

experimental setup of multiphoton imaging of peeling of aortic tissues in the 

circumferential direction and c longitudinal direction with preferred orientation of in-

plane fiber distribution; d-f multiphoton image of different depth of the peeling site of 

porcine aortic media obtained from a circumferential tissue strip and g-i a longitudinal 

tissue strip. Imaging depth increases from d to f and from g to i. 

 

4.3.8 Multiphoton imaging 

Multiphoton imaging was performed using an inverted multiphoton microscopy 

system (Carl Zeiss LSM 710 NLO) with a 20× water immersion objective lens with 
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0.83 μm × 0.83 μm pixel size. The femtosecond IR pulse laser was set to 810 nm to 

generate two-photon excited fluorescence (2PEF) from elastin (525/45 nm) and second 

harmonic generation from collagen (417/80 nm) (Chow et al. 2014; Yu et al. 2018a, b). 

Additional samples (one in circumferential and one in longitudinal direction) were 

mounted on a custom-built device (Figure 4.6a) that allows imaging at the forefront of 

the peeling site. A z-stack image of about 50 μm in depth with 1 μm distance in between 

the adjacent images and a field of view of 425 μm × 425 μm was acquired at the 

delamination tip (Figures 4.6b and 4.6c). 

 

4.3 Results 

Figure 4.7 shows the experimental force/width-displacement data from mode-I 

peeling of porcine aortic media and purified elastin network in both the circumferential 

and longitudinal directions. The initial increase of the peeling force arises from uniaxial 

stretch of the two separated “tongues”. The peeling force plateaus as delamination starts 

to propagate along the interlamellar bonding of the sample. Averaged peeling force/width 

(𝐹/𝑊) and energy release rate (𝐺𝑐) for all four sample groups were extracted from the 

delamination phase of the experimental curves in Figure 4.7 and reported in Figures 4.8a 

and 4.8b. The 𝐹/𝑊 in the aortic media (Cir: 46.00 ± 11.86 N/m; Long: 

72.27 ± 22.28 N/m) was found to be significantly higher (p=0.0001) than elastin (Circ: 

6.97 ± 1.15 N/m; Long: 9.71 ± 1.76 N/m). Similarly, significantly higher (p=0.0001) 

dissection energy 𝐺𝑐 was found in the aortic media (Circ: 106.42 ± 25.82 J/m2; Long: 

183.78 ± 58.08 J/m2) than in elastin (Circ: 14.89 ± 2.41 J/m2; Long: 21.35 ± 3.81 J/m2). 



 

 

64 

Peeling direction has a strong effect on the peeling force/width and energy release rate. 

For both aortic media and purified elastin network, longitudinal strips exhibit higher 

peeling force/width and energy release rate with larger variations (Figures 4.8a and 4.8b). 

Compared with circumferential samples, the mean peeling force/width in longitudinal 

samples are 57% and 39% higher for aortic media and purified elastin network, 

respectively; the mean energy release rate in longitudinal samples are 73% and 43% 

higher for aortic media and purified elastin network, respectively.  

 

 

Figure 4.7 Experimental (gray) and simulated (black) curves of peeling force/width-

displacement for aortic media and purified elastin network in the a circumferential and b 

longitudinal directions. 

 

All experimental peeling force profiles exhibit high frequency oscillation (Figure 

4.4a). Figures 4.4b-e show the distribution of ∆𝑑 and its median obtained from peeling 

tests of aortic media and elastin in both the circumferential and longitudinal directions. It 

can be observed that in aortic media, ∆𝑑 spreads over a range of 0.04 - 1 mm (Figures 

4.4b and 4.4c); while in elastin, ∆𝑑 is distributed within a narrower range in which the 
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maximum value is approximately 0.3 - 0.4 mm (Figures 4.4d and 4.4e). Figure 4.8c 

reports the separation distance at damage initiation (𝛿0) for interlamellar bonding 

identified from the distribution of ∆𝑑. In purified elastin network, removal of collagen 

fibers and other ECM and cell components reduces 𝛿0 by half. The direction of 

delamination propagation seems to have little effect on 𝛿0. 

 

Table 4.2 Material parameters for the cohesive zones of arterial media and elastin 

network. (Circ: circumferential; Long: longitudinal; 𝑮𝒄: energy release rate; 𝜹𝟎: 

separation distance at damage initiation; 𝒕𝟎: traction at damage initiation; 𝑲: initial 

interlamellar stiffness; 𝜹𝒄: separation distance at complete delamination; MAPE: mean 

absolute percentage error). 

 
Parameters obtained from 

experiments 
Parameters obtained from the 

model 
 

 𝐺𝑐 

 (𝐽/𝑚2) 
𝛿0 

(𝑚𝑚) 
𝑡0  

(𝑘𝑃𝑎) 
𝐾 

(𝑘𝑃𝑎/𝑚𝑚) 
𝛿𝑐 

(𝑚𝑚) MAPE 

Media (Circ) 106.42 0.08 60 750 3.55 1.2% 
Media (Long) 183.78 0.08 95 1187.5 3.87 2.9% 
Elastin (Circ) 14.89 0.04 9 225 3.31 3.2% 
Elastin (Long) 21.35 0.04 14 350 3.05 4.0% 
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Figure 4.8 a–c Experimental and d–f simulation results from peeling of aortic media and 

purified elastin network in the circumferential and longitudinal directions. (*p<0.05). 

 

 

 

Figure 4.9 Traction-separation relations for the cohesive zone of aortic media and 

purified elastin network determined from peeling tests in the circumferential and 

longitudinal directions. Inset figure shows the initial regime of the cohesive zone. 

(Circ=circumferential, Long=longitudinal). 
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CZM parameters identified from peeling tests and simulations are listed in Table 

4.2. Besides 𝐺𝑐 and 𝛿0 which were determined directly from experimental measurements, 

simulation results provide further information about the interlamellar bonding strength 

(𝑡0) and stiffness (𝐾), as well as separation distance at complete delamination (𝛿𝑐) in the 

arterial wall. Simulation results revealed that interfacial stiffness and strength also 

decrease significantly in purified elastin network compared with aortic media. In both 

circumferential and longitudinal elastin samples, 𝐾 and 𝑡0 were found to reduce by 

approximately 70% and 85% from aortic media samples with the same orientation 

(Figures 4.8d and 4.8e). Peeling direction also has a strong effect on the bonding strength 

and stiffness. In both aortic media and purified elastin network, both the interlamellar 

stiffness and strength estimated from longitudinal peeling are more than 50% higher than 

those from circumferential peeling (Figures 4.8d and 4.8e). At complete delamination, 𝛿𝑐 

was estimated to vary between 3 - 4 mm for all sample groups, while in aortic media 𝛿𝑐 is 

slightly higher than that in purified elastin network (Figure 4.8f) (p=0.12). Traction-

separation relations of the CZM for describing the mechanical response of arterial 

interlamellar bonding are reported in Figure 4.9. 

Multiphoton images of the dissection site in the circumferential and longitudinal 

aortic media samples during peeling are shown in Figures 4.6d-f and 4.6g-i, respectively. 

Interlamellar elastin and collagen fibers can be observed between the distinct elastic 

lamellae. In circumferential peeling, failure appears to happen between two adjacent 

lamellae (Figures 4.6d-f); whereas in longitudinal peeling, radially-running fibers that are 

under tension can be seen within multiple interlamellar spaces, indicating multiple 
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lamellae are involved in the dissection process (Figures 4.6g–i). 

 

4.4 Discussions 

The purpose of this study is to understand the mechanical contribution of elastin 

and collagen fibers to interlamellar bonding in the arterial wall. These understandings are 

important for the assessment and repair of aortic dissection. The quantitative knowledge 

of contributions of collagen and elastin to interlamellar bonding is also beneficial to 

cardiovascular tissue engineering. The arterial wall contains abundant out-of-plane elastin 

and collagen fibers that play an important role in maintaining its integrity (Wolinsky and 

Glagov 1964, 1967; O’Connell et al. 2008; Tsamis et al. 2013). Low local collagen 

density was found at the crack initiation sites in the aorta (Sugita and Matsumoto 2018). 

The stiffness and failure stress of collagen fibers are 3 to 4 orders of magnitude higher 

than elastin fibers (Lillie and Gosline 2002; Gentleman et al. 2003; Wenger et al. 2007; 

Shen et al. 2008; Valiaev et al. 2008; Tang et al. 2010). Consistently, in this study, higher 

peeling force and energy release rate was found in the intact aortic media than in the 

purified elastin network (Figures 4.8a and 4.8b). Finite element simulations also pointed 

to higher initial stiffness (Figure 4.8e) and strength (Figure 4.8d) in the media due to the 

existence of interlamellar collagen fibers (Figure 4.9).  

The measured energy release rate, 𝐺𝑐, for aortic media (106.42 ± 25.82 J/m2 in the 

circumferential direction, 183.78 ± 58.08 J/m2 in the longitudinal direction) fall within 

the range of 10 to 250 J/m2 reported by other researchers (Carson and Roach 1990; 

Roach and Song 1994; Sommer et al. 2008; Tong et al. 2011; Pasta et al. 2012; Wang et 
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al. 2014; Noble et al. 2016; Leng et al. 2018) obtained from human and porcine arterial 

tissues. Multiphoton images (Figures. 3.5d-f and 3.5g-i) provide a potential explanation 

for the direction-dependent phenomena obtained from peeling tests. Since elastin and 

collagen fibers are more aligned toward the circumferential direction in the arterial wall 

(Zou and Zhang 2009; Yu et al. 2018b), it is suspected that the direction-dependent 

phenomena are related to the preferred in-plane fiber distribution. Due to boundary 

clamping, more in-plane fibers are stretched in the loading direction and constrained from 

reorientation during circumferential peeling (Figure 4.6b). However, the same effect 

could be greatly weakened in longitudinal peeling when majority of fibers are 

perpendicular to the loading direction (Figure 4.6c). In such a case, more obliquely-

oriented interlamellar fibers and intralamellar fibers with a radially-oriented segment 

might be recruited in protecting the tissue from delamination. This is in accordance with 

the histological studies by Sommer et al. (2008), who found that longitudinal peeling 

creates a remarkably “rougher” dissection surface compared to that generated by 

circumferential peeling. In aortic rupture, cracks tend to propagate along the direction of 

collagen fibers (Sugita and Matsumoto 2018). Consistently, our study also found that 

lower 𝐺𝑐 is required when dissection propagates along the preferred direction of in-plane 

fiber distribution (circumferential peeling), as shown in Figure 4.6b. Detailed mechanical 

and imaging analysis is necessary in future studies to assess change of fiber architecture 

under transmural layer separation. 

The CZM approach provides a good fit of the experimentally measured peeling 

force. Based on our parameter identification methodology, two model parameters, 𝐺𝑐 and 
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𝛿0, were obtained directly from experiment. As discussed earlier, 𝐺𝑐 is the measured 

energy release rate from the peeling test. In the bilinear CZM adopted in this study, 

damage initiation is defined as the point beyond which irreversible mechanical failure 

occurs. Figure 4.4a shows how 𝛿0 was determined. The oscillation of the peeling 

force/width-displacement curve can be attributed to discrete microstructural failure 

events. The ramp up the peeling force is resulted from recruitment of fibers into the 

interlamellar direction and thus increasing of local interlamellar stiffness. Meanwhile, the 

displacement increments (∆𝑑) associated with each force ramp up are due to recruitment 

of new interlamellar elastin and collagen fibers, while the subsequent force drop indicates 

failure of microstructural constituents (Yu et al. 2020). Therefore, fiber-level failure can 

be related to dissection propagation at the tissue-level, and the median value from the 

distribution of ∆𝑑 was taken as the separation distance at damage initiation (𝛿0) for the 

CZM. The only free parameter to be estimated from the simulation is 𝑡0, traction at 

damage initiation. This increases the robustness and accuracy of the CZM as the 

delamination simulation depends largely on appropriate selection of material parameters 

and mesh size. To determine 𝑡0 (Table 4.2), it is worth mentioning that 𝑡0 should be large 

enough to maintain the effective stiffness of the whole laminated structure in the 

thickness direction, but also small enough to avoid spurious oscillations of the traction in 

an element (Schellekens and De Borst 1993; Turon et al. 2007). Also, appropriate 

application of the CZM requires a minimum number of layers of cohesive elements (3-5) 

in the damaged zone (Turon et al. 2007), i.e., the region from the delamination tip (where 

traction is zero) to the cohesion zone tip (where traction reaches 𝑡0). In our model, there 
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were approximately 9 layers of cohesive elements spanning the damaged zone (Figure 

4.2e). Thus the accuracy and fidelity of the entire CZM is ensured.  

It is important to note that 𝑡₀ and 𝛿₀ are not independent in the triangular traction-

separation law. Based on the estimated 𝛿₀, 𝑡0 determined from our study agrees with 

previous experimental findings, which suggest our estimation of 𝛿₀ is reasonable. From 

our study, the interlamellar strength of aortic media, 𝑡0, were estimated to be 60 kPa in 

circumferentially peeled samples and 95 kPa in longitudinally peeled samples, 

respectively (Figure 4.8d). These values agree well with experimental data in the 

literature obtained using pressurization (Carson and Roach 1990; Tiessen and Roach 

1993; Tam et al. 1998) and direct tension (Sommer et al. 2008; Tong et al. 2011) 

methods, which ranges from 25 to 150 kPa. The much higher value of 𝑡0 (440 kPa) 

reported in the study by Leng et al. (Leng et al. 2018) is mostly associated with the 

skewed nonlinear CZM model adopted in their study. Based on 𝑡0, the calculated 

separation distances at complete delamination (𝛿𝑐) of the CZM in Figure 4.8f are also 

comparable to the displacement of the primary dissection phase (~3 mm) obtained from 

direct tension tests (Sommer et al. 2008), which provides additional support for the 

estimation of 𝛿0 in this study. Since 𝛿𝑐 is actually smaller than the false lumen diameter 

observed clinically (Blount and Hagspiel 2009), complete failure of structural 

components in the interlamellar bonding along the dissection path can be expected for in 

vivo circumstances.  

Among modeling studies of arterial tissue failure using various forms of the CZM 

(Gasser and Holzapfel 2006; Ferrara and Pandolfi 2008, 2010; Pal et al. 2014; Leng et al. 
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2015, 2016, 2018; Merei et al. 2017; Wang et al. 2017), the elastic properties of the CZM 

prior to damage initiation have received little attention. Because of the waviness of ECM 

fibers (Chow et al. 2014), an elastic regime may exist in the interlamellar space prior to 

damage initiation. From the high frequency oscillation of the experimental peeling 

force/width-displacement curves, the separation distance at damage initiation (𝛿0) was 

determined to be 80 μm for aortic media (Figure 4.8c). Since average interlamellar 

distance in the arterial wall of adult mammals was found to be ~15 μm (Wolinsky and 

Glagov 1967), our research suggests that the medial interlamellar bonding has a failure 

strain of approximately 500 % when subjected to normal transmural pressure.  

The separation distances at complete delamination (𝛿𝑐) of elastin are close to 

those of the intact aortic media (Figures. 4.8f and 4.9). Depleting collagen from the tissue 

did not induce a noticeable decrease in 𝛿𝑐 (Figure 4.8f), but reduced the distance at 

damage initiation (𝛿0) by 50% (Figure 4.8c). This suggests that interlamellar elastin and 

collagen fibers sustain the transmural load in parallel. In fact, collagen fibers provide 

additional protection to the interlamellar bonding in general by prolonging the elastic 

regime. The presence of collagen fibers increases the separation distance at damage 

initiation, or the interlamellar failure strain. The tissue-level interlamellar strength (𝑡0 in 

the CZM) of arterial elastin was estimated to be 9 kPa from the circumferential peeling 

model and 14 kPa from the longitudinal peeling model. These values are within the range 

of physiological blood pressure. Furthermore, the pressure at the entry site of the false 

lumen is the same as that in the true lumen (Zhang et al. 2014). Taken together, this 

suggests that damage may first occur in elastin when blood flow enters the false lumen.  
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Although collagen plays a dominant role in contributing to the dissection 

behavior, the contribution of elastin to interlamellar bonding in the arterial wall should 

not be neglected. Gradual degradation of elastin results in tissue dilation and complex 

changes of tissue mechanical properties (Chow et al. 2013a, b). Significantly lower 

resistance to delamination was found in aneurysmal human ascending thoracic aortas 

compared with healthy tissues (Pasta et al. 2012). Because elastic fibers are prestretched 

and impart an intrinsic compressive stress on collagen (Chow et al. 2014), loss of 

interlamellar elastin not only leads to stress concentration among the remaining fibers, 

but also reduces the waviness of collagen (Zeinali-Davarani et al. 2013) and thus its load 

bearing capacity.  

 

4.5 Limitations 

The damage mechanisms in arterial tissue delamination are complex at the 

microscopic scale. In addition to elastin and collagen, previous studies suggested that 

excessive pooling of negatively charged glycosaminoglycans (GAGs) within the media 

leads to significant stress concentration and Donnan swelling pressure which may be an 

initiation factor for arterial dissection (Roccabianca et al. 2014a, b). Recent studies in our 

group also demonstrated the structural role of GAGs in regulating fiber recruitment when 

the arterial wall is subjected to in-plane biaxial tension (Mattson et al. 2017). Hence 

structural, electrochemical and biological analysis of various microscopic constituents 

and their interactions in relation to arterial dissection is necessary for a thorough 

knowledge of the disease.  
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The separation distance at damage initiation (𝛿0) was obtained from peeling force 

oscillations. A small enough sampling interval is essential to such measurements. In this 

study a sampling interval of 0.04 mm was used. Future studies may consider an improved 

experimental setup allowing smaller sampling intervals. Additionally, the bilinear CZM 

is an idealized phenomenological model that may not depict the traction-separation 

relation during failure of fibrous biological tissues. However, the exact relationship of 

interlamellar traction-separation of the arterial wall is unknown. A recent study (Yu et al. 

2020) showed that aortic dissection propagates in avalanches, which may suggest that the 

onset of strain softening follows closely the point of damage initiation. 

Blood vessels are subjected to much more complicated loading in vivo. Pulsatile 

blood flow-induced wall shear stresses in the false lumen of dissected arteries can give 

rise to displacement in the direction of the flow. On the other hand, due to the anisotropic 

and inhomogeneous nature of the vessel wall (Yu et al. 2018a, b), torsion-induced shear 

stress can also be sufficiently large to overcome the adhesive bonding (Rajagopal et al. 

2007). Given that propagation of dissection is principally driven by hemodynamic 

cyclic/pulsatile loading (Rajagopal et al. 2007), for a comprehensive understanding of 

dissection propagation in more realistic situations, further experimental testing using 

different loading rates and delamination modes is needed to construct mixed-mode CZM 

to characterize the interlamellar mechanical properties of the arterial wall. 
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4.6 Conclusions 

We studied the contribution of elastin and collagen fibers to the interlamellar bonding 

properties in porcine arterial wall through peeling test coupled with 3D finite element 

modeling.  An effort was made to relate the microscopic failure characteristics from the 

peeling force/width-displacement data to the model parameters in the CZM. Damage is 

initiated in the arterial wall at a small interlamellar separation distance of 80 μm for the 

media and 40 μm for elastin network, while complete delamination requires a relatively 

large separation distance up to 3 – 4 mm. Our study suggests that interlamellar elastin and 

collagen fibers sustain the transmural load in parallel, however damage may first occur in 

elastin when blood flow enters the false lumen. Therapeutic intervention is essential at 

this stage to prevent further propagation of the damage. Once an increase greater than 3 

mm in the lamellar distance occurs, detection and repair of a local blood-filled cavity 

with complete failure of interlamellar fibers is required to avoid catastrophic rupture. 

Collagen was found to play a dominant role in providing the elastic regime, and in 

contributing to stiffness (𝐾), strength (𝑡0) and toughness (𝐺𝑐) of the interlamellar bonding 

of aorta. Multiphoton imaging reveals the structural role of elastin and collagen in 

resisting delamination, as well as indicates a possible mechanism of in-plane anisotropy 

of elastin and collagen in determining the direction-dependent phenomena noticed in 

peeling tests. Findings of this study can provide structural-based indicators for the risk 

assessment and prevention of aortic dissection. Future studies considering the effects of 

loading rates as well as mixed-mode delamination of arterial tissue failure are needed for 

further understanding of the relationship between the integrity of microscopic 

interlamellar constituents and the initiation and progression of arterial dissection. 
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CHAPTER 5 EFFECT OF GLYCATION ON INTERLAMELLAR BONDING OF 

ARTERIAL ELASTIN 

5.1 Overview 

Interlamellar bonding in the arterial wall is often compromised by cardiovascular 

diseases. However, several recent nationwide and hospital-based studies have uniformly 

reported reduced risk of thoracic aortic dissection in patients with diabetes. As one of the 

primary structural constituents in the arterial wall, elastin plays an important role in 

providing its interlamellar structural integrity. The purpose of this study is to examine the 

effects of glycation on the interlamellar bonding properties of arterial elastin. Purified 

elastin network was isolated from porcine descending thoracic aorta and incubated in 2 M 

glucose solution for 7, 14 or 21 days at 37 °C. Peeling and direct tension tests were 

performed to provide complimentary information on understanding the interlamellar 

layer separation properties of elastin network with glycation effect. Peeling tests were 

simulated using a cohesive zone model (CZM). Multiphoton imaging was used to 

visualize the interlamellar elastin fibers in samples subjected to peeling and direct 

tension. Peeling and direct tension tests show that interlamellar energy release rate and 

strength both increases with the duration of glucose treatment. The traction at damage 

initiation estimated for the CZM agrees well with the interlamellar strength 

measurements from direct tension tests. Glycation was also found to increase the 

interlamellar failure strain of arterial elastin. Multiphoton imaging confirmed the 

contribution of radially running elastin fibers to resisting dissection. It was found that 

nonenzymatic glycation reduces the propensity of arterial elastin to dissection. This study 
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also suggests that the CZM effectively describes the interlamellar bonding properties of 

arterial elastin. 

 

5.2 Introduction 

Elastin is one of the major load bearing extracellular matrix (ECM) constituents in 

the arterial wall that is subjected to billions of cycles of deformation over the lifetime of 

an individual (Kielty et al. 2002). It not only provides the tissue with in-plane elastic 

properties, but also plays a protective role in maintaining the structural integrity and 

resisting damage propagation in the aorta (Avolio et al. 1998; Pasta et al. 2012; Clark et 

al. 2015; Noble et al. 2016; Wang et al. 2020). Elastic fibers are composed of an 

amorphous elastin core making up 90% of the mature fiber, and peripherally located 

microfibrils (Rosenbloom et al. 1993). As an essential structural constituent in the medial 

layer of the arterial wall, elastic fibers form a three-dimensional (3D) network structure 

with concentric elastic lamellar layers and interlamellar radially running fibers (Wolinsky 

and Glagov 1964, 1967). Scanning electron microscopy imaging revealed that elastic 

lamellae comprised 71% of the total volume of elastic fibers, while 27% of elastic fibers 

are organized into chords or wisps that protrude obliquely from lamellar surfaces and 

terminate in the adjacent interlamellar space. The remaining 2% of elastic fibers form 

thick struts connecting adjacent lamellae (O'Connell et al. 2008). Researchers including 

us have quantitatively examined the contribution of medial elastin to interlamellar 

bonding in porcine aorta (Noble et al. 2016; Wang et al. 2020).  

Aortic dissection is a devastating disease with a high mortality rate (Spittell et al. 
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1993; Hagan et al. 2000; Khan and Nair 2002). The mechanopathology of aortic 

dissection is a complex process which involves several distinct developmental stages 

including the formation of a intimal tear (Thubrikar et al. 1999); parallel propagation of 

delamination in the media (Carson and Roach 1990; Tam et al. 1998); and rupture of the 

arterial wall caused by radial propagation of damage across lamellae (Sommer et al. 

2008). Previous biomechanical studies found compromised interlamellar bonding in 

human aorta under several cardiovascular maladies such as atherosclerosis and 

aneurysms (Tong et al. 2011, 2014; Pasta et al. 2012). On the contrary, multiple statistical 

investigations including nationwide studies in the US, Spain and Sweden (Prakash et al. 

2012; Jiménez-Trujillo et al. 2016; Avdic et al. 2018), hospital-based studies in the UK 

and China (Theivacumar et al. 2014; He et al. 2015) as well as a meta-analysis of online 

databases (Takagi and Umemoto 2017) have uniformly reported lower risk of aortic 

dissection in patients with diabetes mellitus. In addition, a recent study found that Type 2 

diabetes mellitus reduces mortality and clinical complications in aortic dissection patients 

after thoracic endovascular aortic repair (Liu et al. 2019).  

Diabetes has been found to be closely associated with cardiovascular disease 

progression and vascular remodeling (Brownlee et al. 1988; Sowers et al. 2001). 

Nonenzymatic glycation, the reaction between glucose and the ECM proteins, is 

magnified in diabetic patients (Wolff et al. 1991). It is one of the main mechanisms of 

aging of the long-lived ECM protein, and has been shown to correlate with the severity of 

diabetic complications (Vishwanath et al.1986; Vlassara et al. 1986), and to accelerate 

the age associated stiffening of arteries in diabetic patients (Cameron et al. 2003). As a 
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structural protein with a long half-live, elastin is especially susceptible to the slow 

glycation process (Konova et al. 2004). Arterial elastin was shown to exhibit higher 

stiffness and become more viscous with glucose exposure (Winlove et al. 1996; Zou and 

Zhang 2012b; Wang et al. 2015, 2018b). The nonenzymatic glycation between glucose 

and amino groups on proteins results in the formation of advanced glycation end-products 

(AGEs) that accumulate on proteins. Earlier stiffening of the arterial wall among diabetic 

patients has been attributed to increased crosslinking in glycated proteins (Sims et al. 

1996). Structural studies suggested glucose promotes structural rearrangement and 

aggregation of elastin molecule (De et al. 2020); and more rigid backbone structures and 

conformational changes were observed in glucose exposed elastin (Silverstein et al. 

2015). However, the effect of glycation on the interlamellar bonding properties of arterial 

elastin is not well understood. 

In this study, we investigated the change of interlamellar bonding properties of 

arterial elastin with in vitro glucose treatment. Peeling tests and direct tension tests were 

carried out on porcine elastin samples with varying duration of glucose exposure, and the 

interlamellar energy release rate and bonding strength were quantified and compared. 

Untreated samples and samples treated with 1× phosphate buffered saline (PBS) for 21 

days at 37 °C were also tested for comparison. A finite element model based on cohesive 

zone theory of fracture (Dugdale 1960; Barenblatt 1962) was created to describe the 

delamination behavior during the peeling process. The dissection sites in peeling and 

direct tension tests were imaged using multiphoton microscopy to visualize interlamellar 

elastin fibers. 
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5.3 Material and Methods 

5.3.1 Sample preparation 

Porcine thoracic aortas were harvested from a local abattoir and delivered to 

laboratory on ice. For peeling tests, the aortas were cut into circumferential and 

longitudinal rectangular strips of about 40 mm × 10 mm. For direct tension tests, the 

aortas were cut into small patches for further preparation. Purified elastin network was 

obtained using a cyanogen bromide (CNBr) treatment method (Zou and Zhang 2009). 

Samples were then incubated in 2 M glucose solution and were allowed to equilibrate at 

37 ℃ for 7, 14 or 21 days (Zou and Zhang 2012b; Wang et al. 2015). Elastin samples 

without any treatment were also tested and served as a control. Apart from the glucose-

treated and untreated control samples, one group of elastin samples were incubated in 1× 

PBS solution at 37 ℃ for 21 days and served as an additional control group. 100 units/ml 

penicillin/streptomycin was added as an antibiotic and antifungal treatment to the group 

treated in PBS for 21 days (Smart et al. 1996). No antibiotic or antifungal treatment was 

used in the glucose solutions as the solution was found to be clear after 21 days of 

treatment time. 

 

5.3.2 Peeling test 

Refer to Section 2.3 for a more comprehensive description of the experimental 

protocol. A schematic of the experimental setup is shown in Figure 5.1a. The two tongues 

were glued to sandpaper tabs and gripped by the tester. One tongue of the sample was 
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fixed while the other tongue was pulled away at an extension rate of 0.2 mm/s. The 

displacement of the moving side as well as the peeling force were recorded at a frequency 

of 5 Hz until complete separation. Samples were submerged in glucose (glucose-treated 

groups) or PBS (PBS-treated and control groups) solution under room temperature during 

experiments. There were 6-9 successfully tested samples within each group. The energy 

release rate, 𝐺𝑐, can be calculated using Equation 2.2. 𝐺𝑐 can also be interpreted as 

interlamellar toughness, i.e., the energy required to split a unit area of the interface 

(Kendall 1975; Parmigiani and Thouless 2006). 

 

 

Figure 5.1 Schematic of the experimental setup for a peeling and b direct tension tests. 

 

 

5.3.3 Direct tension test 

Refer to Chapter 2.4 for a more detailed description of this experiment. Briefly, 

direct tension tests were performed by mounting the two end surfaces of the sample on a 

uniaxial tensile tester and stretching the sample along its radial direction until complete 

separation (Sommer et al., 2008). A schematic of the experimental setup is shown in 

Figure 5.1b. Before the testing started, the sample was moisturized with glucose 

(glucose-treated groups) or PBS (PBS-treated and control groups) spray at room 
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temperature. The moving rod was then pulled away at an extension rate of 0.02 mm/s. 

The displacement of the moving rod as well as the reaction force was recorded at a 

frequency of 5 Hz. There were 7-8 successfully tested samples within each group. The 

interlamellar strength, 𝑡𝐷𝑇, was obtained by dividing the maximum reaction force prior to 

the damage onset point by the initial effective bonding area as demonstrated by Equation 

2.3. 

 

5.3.4 Statistical analysis 

Peeling force (𝐹), energy release rate (𝐺𝑐) and interlamellar strength (𝑡𝐷𝑇) data 

were summarized as mean ± standard deviation. Two-tailed unpaired t-tests were 

performed on these data. Specifically, the untreated control group was compared to the 

glucose treated groups at 7, 14 and 21 days. The 21 days PBS treated additional control 

group was compared to the untreated control group as well as the 21 days glucose treated 

group. The t-tests were also performed to compare samples with different glucose 

treatment time. In addition, two-tailed unpaired t-tests were applied to compare the 

displacement increments, Δ𝑑, associated with each ramp up of the oscillated peeling 

force, of the untreated control group with glucose treated groups. p < 0.05 is considered 

as statistically significant.  



 

 

83 

 

Figure 5.2 Custom-built device for multiphoton imaging of the separation site (inset 

pictures) of arterial elastin during a peeling and e direct tension tests; b-d multiphoton 

images of the dissection site in peeling of a circumferential porcine arterial elastin strip at 

different imaging depths (imaging depth increases from b to d); and f-h multiphoton 

images of different sub-locations of the separation site in direct tension of porcine arterial 

elastin. 
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5.3.5 Multiphoton imaging 

Multiphoton imaging was performed to visualize the separation site of elastin 

network during peeling and direct tension tests. An inverted multiphoton microscopy 

system (Carl Zeiss LSM 710 NLO) was used to generate two-photon excited fluorescence 

(2PEF) from elastin (525/45 nm) (Chow et al. 2014; Yu et al. 2018a, b). The excitation 

wavelength of the femtosecond IR pulse laser was set to be 810 nm. The laser scanning 

system was coupled with a 20× water immersion objective lens. Samples were prepared 

following the same protocols for mechanical testing as described in Sections 2.2.1 and 

2.2.2. Samples were then mounted on a custom-built device, stretched manually to 

expose the interlamellar fibers and imaged at the separation site (Figures 5.2a and 5.2e). 

For imaging of peeling samples, the two tongues of the sample were gripped and 

stretched apart so that the dissection forefront was exposed under the lens (Figure 5.2a). 

For imaging of direct tension samples, a stretch of about 2 mm was applied on the sample 

to expand the initial incision and straighten the interlamellar fibers; the lens was then 

placed above the incision (Figure 5.2e). Stack images of about 50 μm in depth with a 

field of view of 425 μm × 425 μm were acquired at the dissection site. 

 

5.3.6 Finite element modeling of peeling test 

To gain insights into the interlamellar bonding properties of arterial elastin with 

glycation effect, 3D finite element models of peeling tests were created in ABAQUS 

(version 6.14, Simulia, Providence, RI) following the modeling and parameters 

identification protocols described in our previous study (Wang et al. 2020). Briefly, 
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rectangular strips with two originally separated “tongues” were modeled and meshed 

with 8-node brick elements (C3D8). The thickness of the strips was obtained from 

averaged experimental measurements. Cohesive elements (COH3D8) were sandwiched 

between the two strips. The size of cohesive elements along the direction of dissection 

propagation was chosen to be 0.2 mm after a mesh size dependency study. During 

peeling, the reaction force as well as the displacement at the end of the “tongues” were 

extracted and compared with experimental data.  

 

 

Figure 5.3 a Bilinear traction-separation law for the cohesive zone model; and b a 

representative peeling force/width-displacement curve and its zoom-in graphs showing 

the high frequency oscillation of the peeling force and the displacement increment (∆𝒅) 

associated with a ramp up of the peeling force. 

 

A bilinear traction-separation relation shown in Figure 5.3a was used to describe 

the CZM for peeling tests. Detailed description of the approach can be found in our 

previous study (Wang et al. 2020). Briefly, to fully characterize the bilinear traction-

separation relation of the CZM, three independent parameters need to be identified: 

traction at damage initiation 𝑡𝐶𝑍𝑀, separation distance at damage initiation 𝛿𝑖, as well as 

energy release rate 𝐺𝑐, which equals the area under the curve (Figure 5.3a) and can be 
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determined directly from the experimental data within each sample group. Damage 

initiation is defined as the point beyond which irreversible damage occurs. Figure 5.3b 

shows a representative peeling force-displacement curve obtained from experiments. To 

determine the separation distance at damage initiation, the displacement increments, ∆𝑑, 

associated with each ramp up of the peeling force, were collected from all samples within 

each sample group (Figure 5.3b), of which the median value was taken as the separation 

distance at damage initiation 𝛿𝑖 in the CZM. Finally, the traction at damage initiation 

𝑡𝐶𝑍𝑀, was adjusted to fit the simulated peeling force to averaged experimental 

measurements. 𝑡𝐶𝑍𝑀 is the maximum elastic stress interlamellar bonding can sustain 

before failure occurs, or the interlamellar strength. Once 𝐺𝑐, 𝛿𝑖 and 𝑡𝐶𝑍𝑀 were identified, 

the separation distance at complete delamination (𝛿𝑐) can be calculated as 𝛿𝑐 =

2𝐺𝑐/𝑡𝐶𝑍𝑀.  

The mean absolute percentage error (MAPE) between simulated results and 

experimental data is defined as 

𝑀𝐴𝑃𝐸 =
1

𝑛
∑ |

𝐹𝑠𝑖𝑚,𝑖−𝐹𝑒𝑥𝑝

𝐹𝑒𝑥𝑝
|𝑛

𝑖=1                                       (5.1) 

where 𝐹𝑠𝑖𝑚,𝑖 is the 𝑖th peeling force data obtained from simulation and 𝐹𝑒𝑥𝑝 is the 

averaged value of peeling force from experiments. 𝑛 is the total number of data points. 

Because of the built-in numerical oscillations of the simulated reaction peeling force 

caused by Gaussian integration scheme (Schellekens and De Borst 1993), the fitting was 

considered acceptable when MAPE was smaller than 5%. 
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5.3.7 Constitutive modeling of elastin network 

An anisotropic hyperelastic strain energy density function (Holzapfel et al. 2000; 

Gasser et al. 2006) was adopted to describe the in-plane behavior of arterial elastin: 

𝑊 =
𝐶10

2
(𝐼1̅ − 3) +

𝑘1

2𝑘2
∑ {𝑒𝑥𝑝[𝑘2〈�̅�𝑖〉

2] − 1}𝑖=1,2 +
1

𝐷
(

𝐽2−1

2
− ln𝐽)          (5.2) 

where 𝐼1̅ is the first deviatoric strain invariant. 𝐶10 and 𝑘1 are stress like parameters for 

the ground substance and fibers. 𝑘2 is a dimensionless parameter which governs the 

nonlinearity of fibers at large strain. �̅�𝑖 = 𝜅(𝐼1̅ − 3) + ((1 − 3𝜅)𝐼4̅𝑖 − 1) characterizes 

the deformation of the 𝑖th fiber family, in which 𝜅 is the dispersion parameter (0 ≤ 𝜅 ≤

1/3), and 𝐼4̅𝑖 is the square of stretch along the mean direction of the 𝑖th fiber family. 𝜃 is 

the angle between the mean fiber direction and the longitudinal direction of the aorta. 

1/𝐷 is bulk modulus and serves as a penalty parameter for preventing volumetric locking 

in the finite element simulations (Holzapfel et al. 2002). In this study 1/𝐷 was set to be 

1000 kPa. 𝐽 is the determinant of Jacobian matrix. For nearly incompressible materials, 𝐽 

is close to 1 (Chen et al. 1997). Other model parameters for untreated and treated arterial 

elastin were determined by fitting simulated Cauchy stress-stretch curves to the averaged 

experimental testing data published previously (Wang et al. 2015). The constitutive 

model was implemented in MATLAB (version R2019a, The MathWorks, Inc., Natick, 

MA). Parameters 𝐶10, 𝑘1 and 𝑘2 were set to be greater than zero, and 𝜅 varied between 0 

and 1/3. Parameters were estimated by minimizing the objective function: 

𝜓 =
1

𝑚
∑ [(𝜎11

𝑐 − 𝜎11
𝑒 )𝑗

2
+ (𝜎22

𝑐 − 𝜎22
𝑒 )𝑗

2
]𝑚

𝑗=1                                 (5.3) 
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where 𝑚 is the number of data points. 𝜎𝑐  and 𝜎𝑒 are Cauchy stress from the constitutive 

model and averaged experimental data, respectively. The fminsearch function in 

MATLAB with embedded Nelder-Mead direct search method was used to minimize the 

objective function with a tolerances of 110-8. Estimated parameters and the value of the 

objective function are listed in Table 5.1. 

 

Table 5.1 Material parameters for the constitutive model of arterial elastin in Equation 

5.2 for the untreated and glucose treated elastin, and the value of the objective function in 

Equation 5.3. 

 𝐶10 (kPa) 𝑘1 (kPa) 𝑘2 𝜅 𝜃  
𝜓 

(kPa2) 

Untreated 8.24 330.48 0.12 0.208 43.61  0.66 

Day 7 10.55 386.66 0.10 0.168 44.41  0.50 

Day 14 12.68 427.93 0.08 0.177 44.20  2.32 

Day 21 14.56 490.31 0.06 0.174 44.39  6.40 

 

 

5.4 Results 

Figure 5.4 shows the experimental curves of peeling force versus displacement of 

elastin samples in the circumferential and longitudinal directions. The peeling force 

increases with stretching of the two tongues and plateaus as delamination starts to 

propagate in the bonded tissue. Table 5.2 reports the mean and standard deviation of 𝐹 

and 𝐺𝑐. Figure 5.5 shows the whisker plots of 𝐹 and 𝐺𝑐 together with individual sample 

data points. Compared with untreated samples, both 𝐹 and 𝐺𝑐 increase drastically after 

the first week of glucose exposure. The mean value of 𝐹 increases by 38.02% in the 
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circumferential direction (p=0.00003) and 24.89% in the longitudinal direction 

(p=0.057); the mean value of 𝐺𝑐 increases by 37.20% in the circumferential direction 

(p=0.00004) and 25.87% in the longitudinal direction (p=0.066), followed by a 

continuous and gradual rise up to 21 days in the glucose solution (Figure 5.5). Statistical 

analysis shows that significant difference of 𝐹 and 𝐺𝑐 appears after 7 days of glycation 

effects in the circumferential direction (Figures 5.5a and 5.5c); however, in the 

longitudinal direction, significant difference of 𝐹 appears after 21 days (p=0.047) of 

glycation effects and no significant difference was found in 𝐺𝑐 (p=0.066) (Figures 5.5b 

and 5.5d). No significant difference in 𝐹 or 𝐺𝑐 was found between different groups with 

different glucose treatment times. Also, glucose treatment has little effect on the 

direction-dependence of 𝐹 and 𝐺𝑐, as it can be seen that peeling along the longitudinal 

direction always exhibits higher 𝐹 and 𝐺𝑐 as well as a larger variation than the 

circumferential direction (Figures 5.5a-d). No significant difference of 𝐹 (Circ: p=0.15; 

Long: p=0.48) or 𝐺𝑐 (Circ: p=0.11; Long: p=0.47) was found between the untreated and 

21 days PBS treated groups (Figures 5.5a-d). On the other hand, significant difference in 

𝐹 (Circ: p=0.0.0004; Long: p=0.025) and 𝐺𝑐 (Circ: p=0.0003; Long: p=0.034) was found 

between the 21 days glucose treated group and 21 days PBS treated group. 
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Figure 5.4 Experimental and simulated curves of peeling force/width vs. displacement 

from peeling of arterial elastin in the circumferential (Circ) and longitudinal (Long) 

directions before (a and e) and after (b-d and f-h) glucose treatment. 
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Figure 5.5 a and b peeling force per unit tissue width (𝑭); and c and d energy release rate 

(𝑮𝒄) of arterial elastin for untreated, glucose treated (7, 14, and 21 days), and PBS treated 

(21days) in the circumferential and longitudinal directions. The box represents the middle 

50% (from the first quartile to the third quartile) of the data set; the horizontal line inside 

the box represents the median; the cross symbol represents the mean; the red dots 

represent individual data points. (*p<0.05, **p<0.01).  
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Table 5.2 Experimental results of peeling force (𝑭), energy release rate (𝑮𝒄) from peeling 

test; and interlamellar strength (𝒕𝑫𝑻) from direct tension test (Circ: circumferential; Long: 

longitudinal). 

 Untreated Day 7 Day 14 Day 21 Day 21 PBS 

 Force, 𝐹 (N/m) 

Circ 7.39 ± 0.68 10.20 ± 1.14 10.18 ± 1.37 10.62 ± 1.29 6.85 ± 0.74 

Long 9.28 ± 1.90 11.59 ± 2.34 10.98 ± 1.54 12.35 ± 2.82 8.73 ± 1.10 

 Energy release rate, 𝐺𝑐 (J/m2) 

Circ 15.19 ± 1.38 20.84 ± 2.34 20.90 ± 3.00 21.98 ± 2.71 13.97 ± 1.49 

Long 19.75 ± 4.13 24.86 ± 5.55 23.63 ± 3.75 26.56 ± 6.89 18.56 ± 2.34 

 Interlamellar strength, 𝑡𝐷𝑇 (kPa) 

 11.28 ± 2.72 15.27 ± 4.45 15.53 ± 3.17 16.79 ± 2.30 10.56 ± 2.21 

 

 

Table 5.3 Material parameters for the CZM of arterial elastin before and after glucose 

treatment. (Circ: circumferential; Long: longitudinal; 𝑮𝒄: energy release rate; 𝜹𝒊: 

separation distance at damage initiation; 𝒕𝑪𝒁𝑴: traction at damage initiation; 𝜹𝒄: 

separation distance at complete delamination; MAPE: mean absolute percentage error). 

  
Parameters obtained 

from experiments 

 Parameters obtained 

from the model 
 

  𝐺𝑐 (J/m2) 𝛿𝑖 (mm) 
 

𝑡𝐶𝑍𝑀 (kPa) 
𝛿𝑐 

(mm) 
MAPE 

Untreated 
Circ 15.19 0.08  9 3.38 1.2% 

Long 19.75 0.08  13 3.04 0.4% 

Day 7 
Circ 20.84 0.08  13 3.21 2.8% 

Long 24.86 0.12  17 2.92 0.8% 

Day 14 
Circ 20.90 0.16  13 3.22 2.1% 

Long 23.63 0.24  17 2.78 1.6% 

Day 21 
Circ 21.98 0.16  14 3.14 1.1% 

Long 26.56 0.12  18 2.95 1.5% 
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Figure 5.6 Probability distribution of the displacement increment (𝚫𝒅) associated with 

each ramp up of the peeling force from peeling tests of arterial elastin in the a-d 

circumferential (Circ) and e-h longitudinal (Long) directions before and after glucose 

treatment; and whisker plots of the distribution of 𝚫𝒅 with varying durations of glucose 

treatment in the i circumferential and j longitudinal directions. The box in the whisker 

plots represents the middle 50% (from the first quartile to the third quartile) of the data 

set; the horizontal line inside the box represents the median; the cross represents the 

mean; individual data points are not shown in i and j because of the large size of the data 

set. Red lines in a-h indicate the location of the median; note that the vertical axis in a-j 

are in logarithmic scale. (*p<0.05, **p<0.01). 
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Multiphoton microscopy reveals interlamellar elastin fibers. Figures 5.2b-d 

present multiphoton images at different depths of the separation site during peeling test. 

Figures 5.2f-h present multiphoton images at different sub-locations of the separation site 

during direct tension test of untreated arterial elastin. In the interlamellar space, two 

distinct elastic lamellae can be visualized with elastin fibers connecting the adjacent 

lamellae. Interlamellar elastin appears to be recruited and provide resistance to 

delamination when the tissue is under transmural tensile stresses. During peeling tests, 

the plateau regime of the force-displacement curves exhibits a high frequency oscillation 

(Figure 5.4). The displacement increments, ∆𝑑, associated with a ramp up in the peeling 

force were collected and reported in Figure 5.6. We can see that the median value of ∆𝑑 

generally increases with glucose exposure duration, except for the longitudinal direction 

with 21 days of glucose treatment. Overall, the median of ∆𝑑 increases by 100% in the 

circumferential direction from 0.08 mm to 0.16 mm and 50% in the longitudinal direction 

from 0.12 mm to 0.16 mm after 21 days of glucose treatment (Table 5.3). Results of 

statistical analysis of ∆𝑑 are shown in Figures 5.6i and 5.6j. Significant difference 

(p<0.001) was found between the untreated and all glucose treated groups in both the 

circumferential and longitudinal directions except for the comparison between the 

untreated and 7 days glucose treated groups in the circumferential direction (p=0.49). 

A representative force-displacement curve obtained from direct tension test is 

shown in Figure 5.7a. The deformation process is consisted of an elastic deformation 

phase followed by a damage phase, which is marked by a rapid drop in the slope of the 

force-displacement curve after the initial increase of the reaction force. A peeling-like 
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damage mode can be identified near the end of the damage phase (Figure 5.7b), which 

corresponds to the plateau part of the reaction force (Figure 5.7a). Force-displacement 

curves of all samples before and after glucose treatment are shown in Figures 5.7c-f. The 

interlamellar strength (𝑡𝐷𝑇) extracted using Equation 2.3 is summarized in Figure 5.8. 

The mean and standard deviation of 𝑡𝐷𝑇 are presented in Table 5.2. Similar to the results 

of peeling tests, glucose exposure greatly increases interlamellar strength in the direct 

tension test of arterial elastin, with the most drastic increase of 35.37% occurs at day 7 

(p=0.066). It appears that glucose exposure continues to take effect on 𝑡𝐷𝑇 beyond day 7, 

as the difference between the untreated and glucose treated samples is not significant 

until the samples have been incubated for 14 days (p=0.012) or longer, see Figure 5.8. No 

significant difference in 𝑡𝐷𝑇 was found between groups with different glucose treatment 

times. In addition, no significant difference was identified between the untreated and 21 

days PBS treated groups (p=0.59), whereas 𝑡𝐷𝑇 of 21 days glucose treated group is 

significantly different from that of 21 days PBS treated group (p=0.0001).  
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Figure 5.7 a A representative force-displacement curve obtained from the direct tension 

test of arterial elastin; and b pictures showing different stages of a sample during direct 

tension test: I elastic deformation, II damage onset, III peeling-like damage mode, and IV 

complete separation. c-f Force-displacement curves from direct tension tests of arterial 

elastin c before and d-f after glucose treatment. 
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Figure 5.8 Interlamellar strength obtained from direct tension tests (𝒕𝑫𝑻) as well as 

estimated values from finite element simulations of peeling tests (𝒕𝑪𝒁𝑴) for arterial 

elastin before and after glucose treatment. The box in the whisker plots represents the 

middle 50% (from the first quartile to the third quartile) of the data set; the horizontal line 

inside the box represents the median; the cross represents the mean; red dots represent 

individual data points. (*p<0.05, **p<0.01). 

 

 

 
 

Figure 5.9 Traction-separation relations for the cohesive zone of untreated and glucose 

treated arterial elastin determined from peeling tests in the a circumferential and b 

longitudinal directions. 
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The interlamellar strength was also estimated using the CZM finite element model 

of peeling test. As shown in Figure 5.4, the simulated peeling force-displacement curves 

match well with corresponding experimental data. The CZM parameters identified from 

both peeling tests and finite element simulations are listed in Table 5.3. Figure 5.8 shows 

that the interlamellar strength (𝑡𝐷𝑇) measured from direct tension tests fell between the 

traction at damage initiation (𝑡𝐶𝑍𝑀) estimated from the circumferential and longitudinal 

directions from peeling tests. The interlamellar traction-separation relations estimated for 

the untreated and glucose treated arterial elastin from peeling tests in the circumferential 

and longitudinal directions are plotted in Figure 5.9. In glucose treated groups, besides 

the increase of 𝐺𝑐 and higher separation distance at damage initiation (𝛿𝑖), 𝑡𝐶𝑍𝑀 estimated 

from CZM also increases with glucose exposure. However, glucose exposure has little 

influence on the separation distance at complete delamination (𝛿𝑐) of arterial elastin. 

 

5.5 Discussion 

Our study shows that non-enzymatic glycation has a prominent effect on the 

interlamellar bonding of arterial elastin. Glucose treated elastin exhibits increased peeling 

force, energy release rate and interlamellar strength compared with untreated samples 

(Figures 5.5 and 5.8). The separation distance at damage initiation (𝛿𝑖) also increases in 

the glucose treated samples. Together with the decreased overall sample thickness, or 

interlamellar spacing, our results suggest that the interlamellar failure strain increases 

with glycation. Therefore, glycation reduces the propensity to delamination of arterial 

elastin. These findings support the reported clinical evidence on inverse correlation 
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between diabetes and the risk of aortic dissection (Prakash et al. 2012; Theivacumar et al. 

2014; He et al. 2015; Jiménez-Trujillo et al. 2016; Takagi and Umemoto 2017; Avdic et 

al. 2018; Liu et al. 2019; Tong et al. 2020). 

Peeling and direct tension tests have been used broadly to assess the dissection 

properties of the arterial wall (Sommer et al. 2008; Tong et al. 2011; Pasta et al. 2012; 

Wang et al. 2014; Noble et al. 2016; Leng et al. 2018) and atherosclerotic plaque (Wang 

et al. 2011). Consistent with previous direct tension studies using human aorta (Sommer 

et al. 2008; Tong et al. 2011), arterial elastin samples favored a peeling-like damage 

mode towards the end of the damage phase (Figure 5.7b), which corresponds to the 

plateau part of the reaction force in Figure 5.7a. The two experimental approaches can 

provide complimentary information in understanding the layer separation properties. 

Peeling tests provide the average energy release rate over a relatively large interfacial 

area, but the interlamellar strength cannot be explicitly extracted using this method. On 

the other hand, direct tension tests measure the interlamellar strength. However, due to 

the complex peeling-like damage mode and involvement of multiple elastic lamellae in 

damage propagation near the end of a direct tension test (Figures 5.7a and 5.7b), the 

energy release rate between adjacent lamellae is missing in this method. In this study, the 

two experimental methods together with finite element modeling result in a more 

informative description of the interlamellar bonding within arterial elastin. The 

interlamellar strength governs the damage initiation point in interlamellar bonding, while 

the energy release rate determines whether or not damage and dissection will continue to 

propagate. The CZM finite element model was constructed based on measurements (𝐺𝑐, 
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𝛿𝑖 and 𝐹) from peeling tests. The CZM provides a comprehensive description of the 

mechanical behavior of interlamellar bonding of arterial elastin (Figure 5.9). Changes in 

the height and area of the traction-separation law profile show that glycation has an 

evident effect on the stress required to initiate damage and the energy required for 

damage to propagate. It is worth noting that the separation at damage initiation (𝛿𝑖) and 

the traction at damage initiation (𝑡𝐶𝑍𝑀) are interdependent in the CZM. Once 𝛿𝑖 is 

determined, 𝑡𝐶𝑍𝑀 can be estimated from the model. Numerically estimated traction at 

damage initiation (𝑡𝐶𝑍𝑀) in the CZM agrees well with the experimentally measured 

interlamellar strength (𝑡𝐷𝑇) from direct tension tests (Figure 5.8). Taken together, this 

further validates that our approach of identifying 𝛿𝑖 is reliable. It is also interesting to 

point out that the stress at damage initiation from direct tension test falls between the 

interlamellar damage initiation in the circumferential and longitudinal directions (Figure 

5.8), which suggests the anisotropic nature of the 3D elastin fiber network (Zou and 

Zhang 2009; Yu et al. 2018a, b; Wang et al. 2020) plays a role in contributing to the 

strength of the interlamellar bonding.  

As demonstrated by peeling tests, larger force and energy is needed for the 

delamination to propagate in glycated elastin (Figure 5.5). Results of direct tension tests 

reveal that glucose treatment increases the interlamellar strength, or stress required to 

initiate delamination (Figure 5.8). Although the most significant changes were observed 

after 7 days of glucose treatment, the rising trend of 𝐹, 𝐺𝑐 and 𝑡𝐷𝑇 over the entire 

incubation period suggests that the contribution of arterial elastin to interlamellar bonding 

is enhanced by longer glucose exposure (Figures 5.5 and 5.8). In addition, elastin samples 
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submerged in PBS alone did not have higher 𝐹, 𝐺𝑐 and 𝑡𝐷𝑇 as exhibited in those treated 

in glucose over the same duration. The fact that no significant differences were observed 

between the results from untreated and PBS treated groups further rules out the 

possibility that time rather than solution composition is the factor leading to higher 𝐹, 𝐺𝑐 

and 𝑡𝐷𝑇.  

Nonenzymatic glycation can induce significant structural and functional changes 

of elastin which provide possible mechanisms for the higher peeling force, energy release 

rate and interlamellar strength found in our study. Glycation has been shown to 

strengthen individual elastin fibers through intermolecular crosslinking (Brownlee et al. 

1984; Cerami et al. 1985; Aronson 2003). Nonenzymatic interactions between glucose 

and proteins can occur within several days to form a sequence of reversible covalent 

adducts, from Schiff base through to Amadori product, which subsequently transforms 

slowly through a series of further reactions and rearrangements into stable and 

irreversible AGEs over a time period ranging from several weeks to months (Brownlee et 

al. 1984; Cerami et al. 1985). This is in agreement with the stronger interlamellar 

bonding observed throughout the entire duration of incubation (up to three weeks) in this 

study (Figures 5.5 and 5.8). AGEs indefinitely attach to long-lived structural proteins, 

and ultimately give rise to intermolecular crosslinking of proteins through the presence of 

disulfide bonds and covalent crosslinks, and by trapping soluble proteins and binding 

them to long-lived structural proteins (Brownlee et al. 1984; Aronson 2003). Therefore, 

the interlamellar strength and toughness may be strengthened by the increased 

crosslinking associated with AGE formation. Glutaraldehyde induced crosslinking in 
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porcine thoracic aortas has been shown to increase the peeling force and energy release 

rate in peeling tests (Noble et al. 2016).  

In this study, the median of ∆𝑑 is related to the separation distance at damage 

initiation (𝛿𝑖). In peeling tests, the high frequency oscillations of the peeling force 

originate from discrete failure events of interlamellar elastin fibers. Previous 

experimental (Black et al. 2005) and theoretical (Hemmer and Hansen 1992; Pradhan et 

al. 2010) studies have shown that when loading a fibrous material, a sudden drop of force 

corresponds to micro-ruptures in the material. A recent study from our group suggests 

that the drops in the peeling force result from failure of a group of interlamellar fibers 

(Yu et al. 2020). Relating the CZM to experimental data, it is likely that the ramp up of 

the peeling force oscillation and the displacement increments (∆d) associated with each 

force ramp up are resulted from recruitment of interlamellar fibers. This gradual 

accumulation of strain energy at the dissection forefront is followed by a sudden force 

drop when subsequent cascade failure of interlamellar fibers occurs. This is the basis that 

links the tissue-level damage initiation to fiber-level failure. This approach has been 

successfully applied in a previous study of our group (Wang et al. 2020). Our study found 

significant increase of the displacement increment associated with each ramp up of the 

peeling force (∆𝑑) in glucose treated arterial elastin (Figures 5.6i and 5.6j). Our study 

suggests that glycation lead to alterations in the damage initiation properties of arterial 

elastin. After being exposed to glucose for 21 days, a 50-100% increase in 𝛿𝑖 was found 

in elastin samples from their untreated counterparts (Table 5.3). Previous studies reported 

reduced thickness in glucose treated arterial elastin (Zou and Zhang 2012b; Wang et al. 
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2015), which gives rise to a denser structure in the radial direction with smaller distance 

between lamellae. Taken together, this suggests that glycation increases the interlamellar 

failure strain of arterial elastin. It is possible that with glycation the interlamellar fibers 

are more integrated with the elastic lamellae, thus enhances the resistance to interlamellar 

damage initiation. Previous studies reported lower degree of alignment (Stephen et al. 

2014) and more isotropic mechanical response of elastin (Wang et al. 2015). It is possible 

that such alterations in in-plane structure and function of elastin may have an impact on 

the transmural properties of elastin network. While the distance at damage initiation 

increases with glycation, our study shows that glucose exposure has little influence on the 

separation distance at complete delamination (𝛿𝑐) (Figure 5.9). As interlamellar damage 

propagates with increasing transmural deformation, the major failure mechanisms of the 

elastin fiber network are dominated by slipping and rupture of inter-fiber crosslinks 

(Tang et al. 2010), thus 𝛿𝑐 is likely to be more structure related. Taken together, our study 

suggests that glycation takes a more dominant effect on the intra-fiber structural level.  

Glycation also leads to a dehydrating effect on elastin (Lillie and Gosline 1996). 

Experimental and simulation studies have both shown that water is essential for 

maintaining the elasticity of elastin (Gosline 1978; Li et al. 2001). Loss of extrafibrillar 

water leads to in-plane stiffening of arterial elastin, as well as significant shrinkage of 

thickness and a denser structure in the radial direction of the tissue (Wang et al. 2018a). 

In general, a proper water content increases the in-plane failure resistance of arterial 

(Eisenberg et al. 1981) as well as other types of hydrated soft tissues (Fick and Espino 

2011; Werbner et al. 2019). Limited studies have been performed to examine the effect of 
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dehydration on delamination properties of soft tissues. Dehydrated stratum corneum 

exhibited higher energy release rate and interlamellar strength during delamination (Wu 

et al. 2006). Dehydration caused by degeneration has been suggested to increase the 

potential for delamination between annulus fibrosus layers in intervertebral disc (Gregory 

et al. 2014). Although no direct connections have been established between the hydration 

level and the interlamellar bonding properties of arterial wall, it is suggested that 

excessive accumulation of glycosaminoglycans (GAGs) in the medial layer of the arterial 

wall increases the local swelling pressure and the risk of dissection (Roccabianca et al. 

2014a, b). Therefore, it might be possible that the loss and regional redistribution of 

water in glycated elastin play a role in altering the interlamellar bonding properties. 

 

5.6 Limitations 

Although a slow extension rate for peeling tests was adopted in this study, 

viscoelastic effects may still exist and affect the measured peeling force and energy 

release rate (Tong et al. 2014). This study focuses on the effect of glycation on 

propagation of delamination, while the effect of glucose on other developmental stages of 

aortic dissection is currently unclear. Besides elastin, glycation can induce alterations in 

the structure and therefore interlamellar bonding properties of other ECM components 

and cells as well. For example, crosslinking and stiffening of collagen (Aronson 2003), 

diminished synthesis of GAGs (Willershausen‐Zönnchen et al. 1991) and increased 

adhesion strength of endothelial cells (Kemeny et al. 2013). Moreover, since diabetes has 

a close association with other cardiovascular diseases such as hypertension and 
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atherosclerosis (Cerami et al. 1985; Sowers et al. 2001), which are in turn predisposing 

factors of aortic dissection (Spittell et al. 1993; Khan and Nair 2002; Nienaber and 

Clough 2015). Thus, more biomechanical and pathological investigations are needed 

before we can form a thorough understanding on the relationship between diabetes and 

the occurrence of aortic dissection.  

 

5.7 Conclusions 

Here we investigated the effect of glucose on the propensity to dissection of 

arterial elastin by combining mechanical testing, multiphoton imaging, and finite element 

modeling. It was found that nonenzymatic glycation increase the peeling force, energy 

release rate and interlamellar bonding strength in arterial elastin. The separation distance 

at damage initiation and interlamellar failure strain also increase with glucose treatment, 

however the separation distance at complete delamination of arterial elastin remains the 

same. Results of this study are consistent with the inverse relation reported in the 

literature that diabetes is associated with a reduced risk of aortic dissection. 

Nonenzymatic glycation induced crosslinking, more integrated structural reorganization 

of the elastin fiber network and the loss and regional redistribution of water in glycated 

elastin are possible mechanisms of the enhanced interlamellar bonding of glucose treated 

arterial elastin. Future studies combining pathological, biomechanics, and imaging 

studies are needed to fully understand the microstructural mechanisms of alternated 

interlamellar bonding in diseases. 
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CHAPTER 6 EFFECT OF AGING ON THE DISSECTION BEHAVIOR OF 

HUMAN DESCENDING THORACIC AORTA 

6.1 Overview 

Both clinical and biomechanical studies have pointed to aging as an important risk 

factor for type B aortic dissection. However, mechanisms responsible for the 

compromised aortic interlamellar bonding properties with aging are less understood. In 

this study, 17 human descending thoracic aortas were collected and divided into three age 

groups: <40, 40–60 and >60 years. Steady-state mode-I peeling tests were carried out in 

both the circumferential and longitudinal directions. The peeling force and interlamellar 

energy release rate decreases with age. All age groups exhibit power-law behavior during 

dissection propagation with varying exponent of the power-law distribution. A finite 

element model incorporating discrete interlamellar collagen fibers was employed to 

simulate peeling and dissection propagation. The interlamellar distance and in-plane 

shear modulus for the model was determined from experimental measurements. The 

model precisely recapitulated the power-law distribution that originated from avalanches 

of ruptures of various magnitudes, and shows decreasing density and increasing degree of 

dispersion of interlamellar collagen fibers with aging. Correlation analysis further 

indicates that the decrease in interlamellar collagen fiber density is largely responsible for 

the diminished interlamellar energy release rate and higher aortic dissection propensity of 

aging human descending thoracic aorta. 
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6.2 Introduction 

Aortic dissection is a rare but devastating disease affecting 5-30 per million 

people per year (Khan and Nair, 2002). Depending on the anatomical regions involved, 

aortic dissection is classified into two major categories according to the Stanford scheme, 

of which type A involves the ascending thoracic aorta where 59-63% of cases occur, 

while type B involves the aorta distal to the origin of the left subclavian artery and 

accounts for 30-38% of cases (Spittell et al. 1993; Prêtre and Von Segesser 1997; Hagan 

et al. 2000; Khan and Nair, 2002; Durham et al., 2015; Sievers et al. 2020). Though 

essential to the reduction of mortality rate (Evangelista et al., 2018), early diagnosis of 

aortic dissection is challenging due to the similarity between the clinical manifestations 

of aortic dissection and other more prevalent health problems (Nienaber et al. 2016), and 

largely depends on the anatomical location involved and the haemodynamic stability of 

the patient for accuracy (Khan and Nair 2002; Nienaber et al. 2016). A better 

understanding of the underlying mechanisms and the corresponding risk factors would 

provide an avenue to successful management of aortic dissection and prevention of 

catastrophic events. 

Age is a prominent risk factor of aortic dissection. The majority of patients with 

acute aortic dissection are in their sixth decade of their life or older (Estrera et al., 2007; 

Steuer et al., 2011; Jonker et al., 2013). Patients with type B aortic dissection are 

significantly older than patients with type A aortic dissection (Hagan et al. 2000). In 

addition, compared with younger patients, elderly patients with acute type B aortic 

dissection have a higher risk of aortic rupture as well as in-hospital and long-term 
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mortality (Mehta et al., 2004). Correspondingly, recent investigations using the controlled 

peeling test have provided biomechanical evidence supporting the effect of aging on 

aortic dissection propensity, as a decreasing peeling force and dissection energy with 

aging was found in human ascending thoracic, descending thoracic and abdominal aortas 

(Angouras et al., 2019; Chung et al., 2020; Horný et al., 2022; Salmasi et al., 2022; 

Sokolis and Papadodima, 2022; Tong et al., 2022; Xuan et al., 2023). However, the 

microscale mechanisms responsible for the compromised interlamellar bonding with 

aging have not been elucidated. 

The propagation of aortic dissection is a collective event of the sequential 

recruitment and failure of discrete extracellular matrix components, which, when being 

continuously driven in controlled peeling test, gives rise to oscillations of the peeling 

force (Wang et al., 2021a, 2021b).  A drop of the force corresponds to cascade failure of 

a group of interlamellar units. Previously in our group, by analyzing the distribution of 

the magnitude of force drops, avalanche-like failure and power-law behavior was found 

in the propagation of aortic dissection, which results from the structural inhomogeneity of 

interlamellar fibers as revealed by discrete fiber network based finite element simulations 

(Yu et al., 2020). Therefore, the power-law behavior may serve as an indicator for 

microstructural features of the aortic interlamellar spaces.  

The objective of this study is to investigate changes in the dissection behavior of 

human descending thoracic aorta with aging and the associated microstructural 

mechanisms through an integrated experimental and computational approach. Steady-

state peeling test was conducted on human aortic media samples ranging from 24 to 92 
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years of age to characterize the tissue-level interlamellar bonding properties as well as the 

power-law behavior. Finite element simulations considering discrete interlamellar 

collagen fibers were used to capture the avalanches and power-law distribution and 

provide insights into interlamellar structural remodeling with aging. 

 

6.3 Material and methods 

6.3.1 Sample preparation 

Human descending thoracic aortas used for the biaxial tensile test as described in 

Chapter 3 were also used in this study, except aorta N16 due to limited tissue size. Refer 

to Table 3.1 for the age, gender and selected medical information of the aorta donors. An 

additional aorta was added in this study, of which the age, gender and selected medical 

information is given in Table 6.1. Aortas stored in -80°C were defrosted at −20°C for 5 h 

followed by 3 h at 4°C and then 1 h at room temperature. Loose connective tissues were 

removed from the adventitial surface. Two rectangular samples with a size of 

approximately 15 mm × 6 mm were obtained from each aorta. The long edge of one 

sample was oriented in the circumferential direction of the aorta while that of the other 

sample was oriented in the longitudinal direction. Since the propagation channel of aortic 

dissection is within the media (Nienaber et al. 2016; Manopoulos et al. 2018), the 

adventitial and intimal layers of each aorta was removed with a surgical scalpel, and only 

the medial layer was kept for mechanical testing. The thickness of each aortic media 

sample was measured with a caliper. Samples were divided into the same age groups as 

in Chapter 3: <40 years (n=4), 40-60 years (n=6), and >60 years (n=7). 
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Table 6.1. Age, gender and selected medical information of the donor of the additional 

human descending thoracic aorta used in this study. HTN - hypertension; HLP - 

hyperlipidemia; BMI = body mass index; M = male; Y=yes; CHF = congestive heart 

failure.  

Age 

(years) 
Gender HTN HLP BMI 

Cause of 

death 

92 M Y Y 20.88 CHF 

 

6.3.2 Peeling test 

Refer to Section 2.1 for a detailed description of the experimental protocol. An 

incision of approximately 5 mm was made into the middle of the thickness of aortic 

media samples to initiate dissection. Samples were moisturized with 1× PBS spray before 

each test. Drops of the peeling force/width (Δ𝐹/𝑊) from the peeling force/width – 

displacement curves, as shown in Figure 6.1, were collected, and the distribution of their 

probability density (Π(Δ𝐹/𝑊)) was analyzed.  
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Figure 6.1 A representative experimental peeling force/width (𝑭/𝑾) – displacement 

curve of human descending thoracic aortic media and its zoom-in graphs showing the 

high frequency oscillation of the peeling force and the drop of peeling force/width 

(∆𝑭/𝑾).  

 

6.3.3 Model setup and implementation 

A two-dimensional (2D) finite element model previously developed by our group 

(Yu et al., 2020) was employed to simulate the peeling test. Briefly, two pieces of aortic 

media with length of 2 mm and thickness of 50 µm were connected by discrete fibers 

representing interlamellar collagen, as shown in Figure 6.2. Aortic media was meshed 

with four-node 2D elements and described with the incompressible neo-Hookean 

constitutive law. The interlamellar collagen fibers were modeled with the Timoshenko 

beam elements and followed the stress-strain relation 𝜎 = 5.4 × [𝐸𝑥𝑝(5𝜀) − 1] where 𝜎 

is the stress and 𝜀 is the engineering strain (Hadi et al., 2012). The failure strain of 

interlamellar collagen fibers ranged uniformly from 0.107 to 0.207 (Miyazaki and 
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Hayashi, 1999). The orientation of interlamellar fibers was distributed uniformly between 

−𝜃 and 𝜃 from the dissection plane. Opposite horizontal displacement was prescribed for 

the top ends of the pieces of aortic media to simulate the peeling test. The simulation was 

implemented in Abaqus (version 6.14, Simulia, Providence, RI, USA). The peeling force 

was obtained as the sum of the horizontal nodal reaction forces from the top end of the 

right piece of aortic media.  

 

 

Figure 6.2 Finite element model (a) and a local zoom-in view (b) showing nonuniformly 

oriented interlamellar fibers. 𝜽 denotes the (maximum) degree of interlamellar fiber 

dispersion and 𝒅 denotes interlamellar distance. A representative peeling force/width 

(𝑭/𝑾) – displacement curve obtained from finite element simulations is shown in c. 
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The distance between the two elastic layers, i.e., interlamellar distance, was 

obtained by subtracting the thickness of elastic lamellae from the total thickness of aortic 

media and dividing the remaining thickness by the number of interlamellar gaps as  

𝑑 =
(𝑇𝑚−𝑛𝑇𝑒𝑙)

𝑛−1
                                                     (6.1) 

where 𝑑 is the mean interlamellar distance and 𝑇𝑚 is the mean thickness of aortic media 

for each age group. 𝑛 = 102 is the average number of elastic lamellae in human 

descending thoracic aorta, which was found to remain unchanged with aging (Jadidi et 

al., 2020). 𝑇𝑒𝑙 = 1.5 μm is the average thickness of individual elastic lamella (Berry et 

al., 1993; Dingemans et al., 2000). The elastic energy stored in the tissue during peeling 

test can be calculated as 𝐹(𝑙 − 𝐿), where 𝑙 (contour length of one side of the sample as 

shown by the peeling force/width – displacement curve) and 𝐿 (original length of the 

sample before peeling) are the respective deformed and undeformed length of the sample. 

The strain energy density of an incompressible neo-Hookean material under uniaxial 

tension is (𝜇 2⁄ )[𝜆2 + (2 𝜆⁄ ) − 3]. Therefore, the shear modulus of aortic media was 

obtained by matching the neo-Hookean strain energy density to the elastic energy storage 

per unit volume of the tissue during peeling test as 

𝜇 =
2𝐹(𝜆−1)

𝑊𝑇(𝜆2+
2

𝜆
−3)

                                                   (6.2) 

where 𝐹 is the mean peeling force, 𝜆 = 𝑙 𝐿⁄  is the stretch of the sample, 𝜇 is the shear 

modulus, 𝑊 is the width and 𝑇 is the thickness of the sample, respectively. Subsequently, 

for each age group, the number of interlamellar fibers and the degree of interlamellar 

fiber dispersion (𝜃) were tuned to fit the simulated power-law exponent to that obtained 
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from the experimental data. Within each age group, equal number of interlamellar fibers 

was assumed for the circumferential and longitudinal directions, while 𝜃 was 

independently tuned for each direction. For both experimental and simulation results, the 

goodness of linear fit (𝑙𝑜𝑔(Π(∆𝐹/𝑊)) – 𝑙𝑜𝑔(∆𝐹/𝑊)) for the power-law behavior was 

assessed by the root mean square error (RMSE) and the coefficient of determination (𝑅2).  

 

6.3.4 Statistical analysis 

Data are summarized using bar graphs and are presented as mean ± standard error 

of the mean (SEM). The Kolmogorov-Smirnov and the Shapiro-Wilk tests were used to 

examine the normality of the peeling force/width (𝐹/𝑊), energy release rate (𝐺𝑐), aortic 

media thickness (𝑇), and shear modulus (𝜇). Within each age group, paired t-test was 

used to compare 𝐹/𝑊, 𝐺𝑐 and 𝜇 between the circumferential and longitudinal directions. 

Across the three age groups, one-way analysis of variance (ANOVA) was used with 

Bonferroni correction for 𝐹/𝑊, 𝐺𝑐, 𝑇 and 𝜇. For statistical analysis involving data that 

are not normally distributed, the Wilcoxon signed-rank test and the Kruskal-Wallis H test 

were used as nonparametric counterparts of the paired t-test and one-way ANOVA. 

Correlation analysis was performed between the estimated number of interlamellar fibers 

and 𝐺𝑐. All statistical analysis was performed in SPSS (Version 29, IBM Corp., Armonk, 

NY). P < 0.05 was considered statistically significant. 
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6.4 Results 

The peeling force/width versus displacement curves of all age groups in both the 

circumferential and longitudinal directions are shown in Figure 6.3. The mean 𝐹/𝑊 and 

𝐺𝑐 of each age group are shown in Figure 6.4. The longitudinal and circumferential 𝐹/𝑊 

(unit: N/m) decreases from 29.94 ± 1.26 and 42.79 ± 2.73 for the <40 age group to 26.32 

± 2.59 and 36.11 ± 3.42 for the 40-60 age group and then to 19.77 ± 1.83 and 25.33 ± 

2.81 for the >60 age group, respectively. The longitudinal and circumferential 𝐺𝑐 (unit: 

J/m2) decreases from 67.98 ± 2.87 and 106.17 ± 5.37 for the <40 age group to 57.94 ± 

6.11 and 84.08 ± 8.92 for the 40-60 age group and then to 42.30 ± 4.16 and 55.38 ± 6.68 

for the >60 age group, respectively. For all three age groups, the longitudinal direction 

exhibits significantly higher 𝐹/𝑊 and 𝐺𝑐 than the circumferential direction (p<0.05), 

except for 𝐺𝑐 of the >60 years group. Significant difference was also found for 𝐹/𝑊 and 

𝐺𝑐 between the <40 and >60 years groups of both directions (p<0.05), as shown in Figure 

6.4. 
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Figure 6.3 Experimental curves of peeling force/width (𝑭/𝑾) vs. displacement from 

peeling tests of human descending thoracic aortic media in the circumferential and 

longitudinal directions.  

 

 

 

Figure 6.4 Changes of the mean peeling force/width (a) and energy release rate (b) of 

human descending thoracic aortic media with aging in the circumferential and 

longitudinal directions. Error bars represent standard error of the mean (SEM). (*p<0.05, 

**p<0.01) 
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Figure 6.5 shows changes of 𝑇 and 𝜇 of aortic media with aging. Aortic media 

shows a thickening trend with aging as 𝑇 increases from 1.25 ± 0.08 mm to 1.61 ± 0.07 

mm and then to 1.66 ± 0.13 mm for the <40, 40-60 and >60 age groups, respectively. 

Correspondingly, the mean interlamellar distance 𝑑 of the finite element models was 

determined to be 10.9 µm, 14.4 µm and 14.9 µm for the <40, 40–60 and >60 age groups, 

respectively. The longitudinal and circumferential 𝜇 (unit: kPa) was found to be 69.91 ± 

6.68 and 64.30 ± 9.67 for the <40 age group, 56.57 ± 8.28 and 67.21 ± 8.55 for the 40-60 

age group, and 97.52 ± 28.31 and 85.63 ± 11.81 for the >60 age group, respectively. No 

significant difference was found for 𝜇 among the three age groups for both directions, nor 

for 𝜇 between the circumferential and longitudinal directions of the same age group. 

 

 

Figure 6.5 Changes of the thickness of aortic media (a) and shear modulus (b) of human 

descending thoracic aortic media with aging. Error bars represent standard error of the 

mean (SEM). (*p<0.05) 
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The probability density distributions of drops of peeling force/width obtained 

from peeling tests are given in Figure 6.6. Power-law behavior of dissection propagation 

was identified in all age groups in both the circumferential and longitudinal directions, as 

shown by the prominent linear profile of the Π(Δ𝐹/𝑊) – Δ𝐹/𝑊 relationship under the 

double logarithmic scale spanning almost two decades of Δ𝐹/𝑊. The magnitude of the 

slope of the linear fit, 𝛽, corresponds to the exponent of the power-law distribution. In the 

circumferential direction, 𝛽 was found to increase from 1.35 to 1.55 and then to 1.74 for 

the <40, 40-60, and >60 years groups, respectively. On the contrary, in the longitudinal 

direction, 𝛽 was found to decrease from 1.49 to 1.46 and then to 1.17 for the <40, 40-60, 

and >60 years groups, respectively. Changes of the estimated interlamellar structural 

parameters with aging are summarized in Table 6.2. 

Finite element simulations accurately recapitulated the power-law behavior and 

the associated exponent of dissection propagation, as shown in Figure 6.6. For all age 

groups in both the circumferential and longitudinal directions, the simulated power-law 

distribution spans over a decade with 𝑅2 of the linear fit greater than 0.9. The estimated 

number of interlamellar fibers decreased from 450 to 350 and then to 250. In the 

circumferential direction, 𝜃 increases from 27° to 56° and then to 68° for the <40, 40-60 

and >60 years groups, respectively; in the longitudinal direction, 𝜃 remains 27° from the 

<40 to the 40-60 years groups and increases to 68° for the >60 years group. The number 

of interlamellar fibers was found to be strongly correlated with the interlamellar energy 

release rate (p<0.05) for both directions, as shown in Figure 6.7. 
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Figure 6.6 Double logarithmic plots of the probability density (𝚷(𝚫𝑭/𝑾)) distribution of 

force drop/width (∆𝑭/𝑾). Experimental data are shown in black and simulation data are 

shown in red. The straight lines represent the best power-law fit to the data. In the figure 

legend, subscripts “EXP” and “SIM” denote experimental and simulation data, 

respectively.  

 



 

 

120 

Table 6.2 Interlamellar fiber structural parameters including the number of fibers per 2 

mm of bonded length and the maximum angle of interlamellar fiber dispersion (𝜽) 

estimated from finite element simulations. 

  <40 yrs 40-60 yrs >60 yrs 

  Circ Long Circ Long Circ Long 

number of fibers 450 450 350 350 250 250 

out-of-plane dispersion, 𝜃 (°) 27 27 56 27 68 68 

 

 

 

Figure 6.7 Correlation between the number of interlamellar fibers and the interlamellar 

energy release rate (𝑮𝒄) for both the circumferential and longitudinal directions. Straight 

dashed lines represent the best linear fit. The correlation coefficient ® and the p-value of 

the correlation analysis are given.  

 

6.5 Discussion 

Type B aortic dissection affects the descending thoracic aorta and has a greater 

incidence as well as higher morbidity and mortality among elderly patients (Mehta et al., 

2004). Our study demonstrates that aging diminishes the interlamellar bonding of the 
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medial layer of human descending thoracic aorta, as both the peeling force and 

interlamellar toughness decreases with aging. Avalanches and power-law behavior was 

exhibited in all age groups, based on which prominent structural alterations of 

interlamellar collagen fibers including decreasing density and increasing degree of 

dispersion were found with aorta senescence. Correlation analysis further suggests that 

the decrease in interlamellar toughness is primarily caused by the decrease in 

interlamellar collagen density. 

 Results of the peeling tests are consistent with previous biomechanical 

investigations where lower peeling force and interlamellar energy release rate was found 

in the aging aorta (Angouras et al., 2019; Chung et al., 2020; Horný et al., 2022; Salmasi 

et al., 2022; Sokolis and Papadodima, 2022; Tong et al., 2022; Xuan et al., 2023). The 

significant decrease of 𝐹/𝑊 and 𝐺𝑐 in the >60 years group also dovetails with the 

clinically reported mean age between 62 to 67 years of patients with type B aortic 

dissection (Hagan et al. 2000; Mehta et al., 2004; Estrera et al., 2007; Steuer et al., 2011; 

Jonker et al., 2013). Therefore, age is critical for risk stratification in type B aortic 

dissection. 

Compared with quantitative structural characterization of aortic extracellular 

matrix in the circumferential-longitudinal plane, studies focusing on the interlamellar 

components are scarce (Tsamis et al., 2013). Despite the abundance of clinical and 

biomechanical data on the relationship between the occurrence of aortic dissection and 

age, remodeling of interlamellar components and its potential role in the diminishing 

interlamellar bonding of aging aorta has not been illustrated. Indeed, the obliqueness of 
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interlamellar fiber orientation (O’Connell et al., 2008) makes quantitative analysis from 

two-dimensional images of the circumferential-radial and longitudinal-radial cross-

sections a great challenge. Computational modeling of the power-law behavior offers an 

alternative way to evaluate interlamellar fiber structure. The density of interlamellar 

collagen fibers is proportionally related to interlamellar energy release rate (Figure 6.7). 

This is corroborated by the dominant role of collagen in determining interlamellar 

toughness as previously reported (Wang et al., 2021b).  

Although the effect of aging on interlamellar fiber dispersion has not been 

demonstrated before, as another important predisposing factor for aortic dissection, 

aneurysm significantly increases the out-of-plane dispersion of collagen in abdominal 

aorta when compared with healthy tissues (Niestrawska et al., 2016). Such dispersion is 

not only responsible for the avalanches and rapid propagation of aortic dissection (Yu et 

al., 2020), but might contribute to the in-plane stiffening behavior of human aorta with 

aging by promoting interlamellar fiber engagement under in-plane tensile loading. 

 

6.6 Conclusions 

Our study shows that age is an important risk factor for type B aortic dissection, 

as aging diminishes the interlamellar bonding of the medial layer of human descending 

thoracic aorta. Alterations of interlamellar collagen structure occur with aging including 

lower fiber density and higher degree of fiber dispersion, of which the former is a 

primary cause of the decreasing interlamellar energy release rate. Future studies focusing 

on the three-dimensional organization of interlamellar collagen reconstructed from two-
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dimensional images of aortic wall cross-sections are needed to improve our 

understanding of aging-induced aortic remodeling and aortic dissection.
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CHAPTER 7 CONCLUSIONS AND OUTLOOK 

7.1 Conclusions 

The mechanical functions of soft biological tissues are dictated by the structure of 

their microstructural constituents. The descending thoracic aorta undergoes prominent 

structural remodeling and disruptions during aging and disease progression. In this 

dissertation, we studied the mechanical and failure behavior of the descending thoracic 

aortic wall through an integrated experimental, computational and imaging approach. 

Findings of this dissertation provide new insights into the etiological mechanisms and 

health assessment metrics of the aorta from a biomechanical and structural perspective, 

which could ultimately benefit clinical decision-making, development of interventional 

devices and therapeutics, and arterial tissue engineering. 

Aging induced aortic stiffening is associated with multiple co-morbidities and is 

caused by the remodeling of individual aortic wall constituents as well as their 

interactions. Changes of the biaxial mechanical behavior of human descending thoracic 

aorta with aging were studied (Wang et al., 2023). Both the circumferential and 

longitudinal directions of the aortic wall stiffen with aging. The increase of stiffness is 

faster in the longitudinal direction than the circumferential direction, leading to a reverse 

of the degree of in-plane anisotropy. A constitutive model considering collagen 

crosslinking was developed to describe the biaxial stress-stretch response of human 

descending thoracic aorta, and points to collagen crosslinking as a critical contributor to 

aortic stiffening with aging.  

Elastin and collagen fibers are the major structural constituents that endow the 
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aortic wall with load-bearing and damage-resistance capabilities. Aortic dissection is a 

life-threatening disease that propagates between elastic lamellae of aortic media. The 

mechanical and structural contributions of elastin and collagen fibers to interlamellar 

bonding in the aortic wall were quantitatively demonstrated (Wang et al., 2021b). 

Collagen has a higher contribution to interlamellar stiffness, strength and toughness. 

Elastic fibers sustain load in the interlamellar space parallelly with collagen and may fail 

upon the false lumen starts to form because of the similarity between the strength of 

interlamellar elastin and the pressure of the true lumen. The higher force and energy 

observed in longitudinal peeling is due to the combination of in-plane anisotropy of ECM 

fibers and the boundary condition of controlled peeling test. 

As an important step towards a comprehensive understanding of the relationship 

between diabetes and cardiovascular pathologies, the effect of nonenzymatic glycation on 

interlamellar bonding of aortic elastin was investigated (Wang et al., 2021a). The strength 

and toughness of the interlamellar bonding of aortic elastin increases with glycation as 

well as the interlamellar failure strain, thus lowering the propensity to aortic dissection. 

These results provide key mechanical mechanisms for the inverse correlation between 

diabetic mellitus and the occurrence of aortic dissection. 

The risk of type-B aortic dissection increases with age and the majority of patients 

with acute type-B aortic dissection are in their sixth decade of their life or older. Effects 

of aging on the dissection properties of human descending thoracic aorta and the 

underlying structural mechanisms were analyzed. The force and energy release rate for 

dissection propagation in aortic media decreases with aging. Avalanches and power-law 
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behavior was identified in dissection propagation of aortas of all age groups. 

Computational modeling of the power-law behavior reveals remarkable alterations of 

interlamellar collagen structure, including lower density and higher degree of dispersion, 

of which the former is largely responsible for the decrease of interlamellar energy release 

rate. 

 

7.2 Outlook 

Future studies are necessary for a more thorough understanding of the mechanical 

and structural mechanisms of aging and diseases of the descending thoracic aorta. 

Refined mechanical, structural and compositional characterization of healthy and 

diseased aortas as well as computational modeling with improved fidelity are 

recommended. 

The propagation of aortic dissection in vivo is a complicated process that is 

affected by a combination of the hemodynamic environment as well as the mechanical, 

structural and geometrical properties of the aortic wall. Rate-dependent mixed-mode 

delamination testing will allow for the construction of a comprehensive interlamellar 

cohesive zone model, which can be incorporated into a computational model with 

realistic geometry of the aorta and pulsatile/cyclic loading conditions to better 

recapitulate the mechanics of aortic dissection. In addition to the inhomogeneity of 

interlamellar fibers investigated in this dissertation, focal and layering discontinuity of 

the aortic ECM might each play a unique role in regulating the initiation and progression 

of aortic dissection. Advanced experimental techniques as well as computational 
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modeling considering such mechanical and structural discontinuities would facilitate the 

establishment of new risk indicators of aortic dissection. 

Understanding aortic remodeling with aging and diabetes requires knowledge of 

the composition and organization of the ECM at both fiber and molecular levels. 

Multiphoton microscopy with high penetration depth can provide information for the 

layer-specific orientation distribution and waviness of elastin and collagen fibers with 

aging, which will be beneficial to developing more robust structure-based constitutive 

descriptors of the aorta. Also, changes of the interlamellar fiber density and dispersion 

with aging could be validated with reconstructed high resolution multiphoton images of 

the circumferential-radial and longitudinal-radial cross-sections of the aortic wall. 

Quantitative evaluation of various categories of crosslinking using mass spectroscopy 

and/or Raman spectroscopy is recommended for new insights into the mechanisms of 

altered mechanical functions of aorta in aging and diabetes. 
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APPENDIX A KINEMATICS OF BONDED FIBER AND CROSSLINK UNDER 

BIAXIAL TENSION 

Under biaxial tension, the deformation gradient, 𝑭, is given by: 

𝑭 = [

𝜆1 0 0
0 𝜆2 0

0 0
1

𝜆1𝜆2

]                                                  (A.1) 

where 𝜆1 and 𝜆2 are stretches in the 𝑿𝟏 (longitudinal) and 𝑿𝟐 (circumferential) directions 

respectively, as shown in Figure 3.1. The right Cauchy-Green deformation tensor, 𝑪, is 

given by: 

𝑪 = 𝑭𝑇𝑭 = [

𝜆1
2 0 0

0 𝜆2
2 0

0 0
1

𝜆1
2𝜆2

2

]                                           (A.2) 

In the undeformed configuration, the unit vectors that are parallel (𝑬𝟏 and 𝑬𝟐) or 

normal (𝑬𝟏𝑹 and 𝑬𝟐𝑹) to the orientation of the two collagen fiber families are defined in 

section 2.2.1. Since the geometry and mechanical properties of bonded fiber and 

crosslink are symmetric about the longitudinal direction of the aortic sample as are the 

boundary conditions of biaxial tension (Figure 3.1), only the deformation of fibers 

oriented in the direction of 𝑬𝟏 and their associated crosslinks are considered here. The 

unit vectors parallel to the orientation of crosslinks in the undeformed configuration are 

obtained using Equation 3.2 as: 

𝑳𝟏
+ = {

cos 𝜃 cos 𝛼0 − sin 𝜃 sin 𝛼0

sin 𝜃 cos 𝛼0 + cos 𝜃 sin 𝛼0

0

}, and 𝑳1
− = {

−cos 𝜃 cos 𝛼0 − sin 𝜃 sin 𝛼0

− sin 𝜃 cos 𝛼0 + cos 𝜃 sin 𝛼0

0

}      (A.3) 

The square of fiber stretch under biaxial tension, 𝐼4,1, is obtained as: 
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𝐼4,1 = 𝑬𝟏 ∙ 𝑪𝑬𝟏 = 𝒆𝟏 ∙ 𝒆𝟏 = 𝜆1
2cos2𝜃 + 𝜆2

2sin2𝜃 > 1                       (A.4) 

where 𝒆𝟏(=𝑭𝑬𝟏) is the push-forward of the unit vector in the direction of collagen fibers 

in the deformed configuration.  

The squares of crosslink stretch under biaxial tension, 𝐼1
+ and 𝐼1

−, are obtained as: 

              𝐼1
+ = 𝑳𝟏

+ ∙ 𝑪𝑳𝟏
+ = 𝒍𝟏

+ ∙ 𝒍𝟏
+ = 𝜆1

2cos2(𝜃 + 𝛼0) + 𝜆2
2sin2(𝜃 + 𝛼0) > 1, and 

𝐼1
− = 𝑳𝟏

− ∙ 𝑪𝑳𝟏
− = 𝒍𝟏

− ∙ 𝒍𝟏
− = 𝜆1

2cos2(𝛼0 − 𝜃) + 𝜆2
2sin2(𝛼0 − 𝜃) > 1          (A.5) 

where 𝒍𝟏
+(=𝑭𝑳𝟏

+) and 𝒍𝟏
−(=𝑭𝑳𝟏

−) are push-forwards of the unit vector in the direction of 

crosslinks in the deformed configuration. 

The invariants 𝐼8
1+ and 𝐼8

1− under biaxial deformation are given by: 

    𝐼8
1+ = 𝑳𝟏

+ ∙ 𝑪𝑬𝟏 = 𝒍𝟏
+ ∙ 𝒆𝟏 = ‖𝒍𝟏

+‖‖𝒆𝟏‖ cos 𝛼+ = 𝜆1
2 cos 𝜃 cos(𝜃 + 𝛼0) + 𝜆2

2 sin 𝜃 sin(𝜃 + 𝛼0), and 

𝐼8
1− = 𝑳𝟏

− ∙ 𝑪𝑬𝟏 = 𝒍𝟏
− ∙ 𝒆𝟏 = ‖𝒍𝟏

+‖‖𝒆𝟏‖ cos 𝛼− = −𝜆1
2 cos 𝜃 cos(𝛼0 − 𝜃) + 𝜆2

2 sin 𝜃 sin(𝛼0 − 𝜃) (A.6) 

The cosine of the angle between bonded fiber and crosslink in the deformed 

configuration is given by Equation 3.6 as: 

𝐼8∗
1+ = cos 𝛼+ =

𝐼8
1+

√𝐼4,1𝐼1
+

=

cos 𝜃 cos(𝜃+𝛼0)+𝑟2 sin 𝜃 sin(𝜃+𝛼0)

√cos2𝜃cos2(𝜃+𝛼0)+𝑟2cos2𝜃sin2(𝜃+𝛼0)+𝑟2sin2𝜃cos2(𝜃+𝛼0)+𝑟4sin2𝜃sin2(𝜃+𝛼0)
, and  

𝐼8∗
1− = cos 𝛼− =

𝐼8
1−

√𝐼4,1𝐼1
− =

− cos 𝜃 cos(𝛼0−𝜃)+𝑟2 sin 𝜃 sin(𝛼0−𝜃)

√cos2𝜃cos2(𝛼0−𝜃)+𝑟2cos2𝜃sin2(𝛼0−𝜃)+𝑟2sin2𝜃cos2(𝛼0−𝜃)+𝑟4sin2𝜃sin2(𝛼0−𝜃)
                         (A.7) 

where 𝑟 = 𝜆2/𝜆1 is the ratio of stretches between the circumferential and longitudinal 

directions. 
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Figure A.1 Change of a 𝒄𝒐𝒔𝜶+ 𝒄𝒐𝒔𝜶𝟎⁄  and b 𝒄𝒐𝒔𝜶− 𝒄𝒐𝒔(𝟏𝟖𝟎° − 𝜶𝟎)⁄  with varying 𝜽 

(the angle between the longitudinal direction of the aortic sample 𝑿𝟏 and collagen fiber 

direction 𝑬𝟏) and 𝜶𝟎 (the angle between collagen fiber direction 𝑬𝟏 and crosslink 

direction 𝑳𝟏
+) when the biaxial stretch ratio between the circumferential (𝝀𝟐) and 

longitudinal (𝝀𝟏) directions is 2:1. 

 

 

 
Figure A.2 Change of a 𝒄𝒐𝒔𝜶+ 𝒄𝒐𝒔𝜶𝟎⁄  and b 𝒄𝒐𝒔𝜶− 𝒄𝒐𝒔(𝟏𝟖𝟎° − 𝜶𝟎)⁄  with varying 𝜽 

(the angle between the longitudinal direction of the aortic sample 𝑿𝟏 and collagen fiber 

direction 𝑬𝟏) and 𝜶𝟎 (the angle between collagen fiber direction 𝑬𝟏 and crosslink 

direction 𝑳𝟏
+) when the biaxial stretch ratio between the circumferential (𝝀𝟐) and 

longitudinal (𝝀𝟏) directions is 4:3. 
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Figure A.3 Change of a 𝒄𝒐𝒔𝜶+ 𝒄𝒐𝒔𝜶𝟎⁄  and b 𝒄𝒐𝒔𝜶− 𝒄𝒐𝒔(𝟏𝟖𝟎° − 𝜶𝟎)⁄  with varying 𝜽 

(the angle between the longitudinal direction of the aortic sample 𝑿𝟏 and collagen fiber 

direction 𝑬𝟏) and 𝜶𝟎 (the angle between collagen fiber direction 𝑬𝟏 and crosslink 

direction 𝑳𝟏
+) when the biaxial stretch ratio between the circumferential (𝝀𝟐) and 

longitudinal (𝝀𝟏) directions is 1:1. 

 

 

 

Figure A.4 Change of a 𝒄𝒐𝒔𝜶+ 𝒄𝒐𝒔𝜶𝟎⁄  and b 𝒄𝒐𝒔𝜶− 𝒄𝒐𝒔(𝟏𝟖𝟎° − 𝜶𝟎)⁄  with varying 𝜽 

(the angle between the longitudinal direction of the aortic sample 𝑿𝟏 and collagen fiber 

direction 𝑬𝟏) and 𝜶𝟎 (the angle between collagen fiber direction 𝑬𝟏 and crosslink 

direction 𝑳𝟏
+) when the biaxial stretch ratio between the circumferential (𝝀𝟐) and 

longitudinal (𝝀𝟏) directions is 3:4. 
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Figure A.5 Change of a 𝒄𝒐𝒔𝜶+ 𝒄𝒐𝒔𝜶𝟎⁄  and b 𝒄𝒐𝒔𝜶− 𝒄𝒐𝒔(𝟏𝟖𝟎° − 𝜶𝟎)⁄  with varying 𝜽 

(the angle between the longitudinal direction of the aortic sample 𝑿𝟏 and collagen fiber 

direction 𝑬𝟏) and 𝜶𝟎 (the angle between collagen fiber direction 𝑬𝟏 and crosslink 

direction 𝑳𝟏
+) when the biaxial stretch ratio between the circumferential (𝝀𝟐) and 

longitudinal (𝝀𝟏) directions is 1:2. 
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