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Abstract 

 

The aorta is the largest artery in the body, responsible for delivering oxygenated blood from 

the heart to the vital organs. The elasticity of the aortic wall allows it to play a critical role as a 

capacitor for the arterial system, regulating blood pressure and providing steady blood flow during 

cardiac diastole. Loss of this capacitive function, either due to age-related aortic stiffening or due 

to placement of a rigid stent-graft for disease treatment, can lead to significantly increased risk of 

cardiovascular, and all-cause, morbidity and mortality. In this thesis, a novel double-walled aortic 

stent-graft (DWSG) design is introduced that aims to restore the capacitive function of the aorta 

through use of a compressible gas layer. This concept was evaluated through a series of 

computational and in vitro experimental models, each of which provided new insights into the 

various design considerations that affect device performance. Across all models, the DWSG led to 

reduction in one or more measures of blood pressure compared to a standard stent-graft, with 

increasing effect as the amount of contained gas was increased. In measurements of pulse wave 

velocity, which provide an estimate of arterial stiffness, the DWSG again demonstrated the ability 

to reduce values compared to a standard stent-graft. In models with a very stiff vessel wall, the 

DWSG exhibited pulse wave velocity measurements significantly lower than the unstented vessel. 

Design details of the DWSG were refined across the various studies, and finally an optimization 

study was conducted to identify potential configurations for the gas layer. In the final chapter, the 

potential impact of the DWSG is discussed and next steps are addressed.  
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Chapter 1 

Background & Project Introduction 

The cardiovascular system works tirelessly to circulate over 7,200 liters of blood per day, 

providing organs and tissues with the nutrients they need to live and function [1]. Although the 

heart gets most of the credit for this work, several vascular structures contribute both actively and 

passively to the movement of blood throughout the body. In this introduction, I draw attention to 

the critical role of the aorta in controlling arterial blood flow and how disruption to this function 

can lead to significant cardiovascular morbidity. In this thesis, I propose a new stent-graft design 

that is intended to restore the aorta’s flow-control function through the inclusion of a compressible 

gas layer that passively expands and contracts with changing blood pressure. 

 

1.1  The Aorta is a Reservoir 

1.1.1 Anatomy and Physiology 

The aorta is the largest artery in the vascular system, originating at the aortic valve, at the 

outlet of the heart’s left ventricle, and running through the thoracic cavity into the abdomen, where 

it eventually bifurcates to form the iliac arteries (Fig 1.1). The aorta is divided into thoracic and 

abdominal regions corresponding to anatomical location, with the thoracic region further divided 

into ascending, arch, and descending segments based on orientation. The coronary arteries, which 

supply the heart muscle with oxygenated blood, branch off of the ascending thoracic aorta just 

distal to the aortic valve. Along the arch, a few key vessels branch off to deliver blood to the head 

and arms. Notable branches from the abdominal aorta include the renal arteries, the hepatic artery, 

and mesenteric arteries. Although there are no major branches from the descending thoracic aorta, 

several smaller vessels originating in this segment feed structures such as the diaphragm, chest wall, 

and spine. 
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The heart can be thought of as a positive displacement pump because it works to deliver the 

required volume of blood during each cardiac cycle without much response to the resulting 

pressures. Due to its direct connection to the left ventricle, the ascending aorta receives the entire 

bolus of blood ejected from the heart during cardiac systole, a quantity referred to as the stroke 

volume. In adults, stroke volume ranges from 50 to 100 mL depending on activity level and 

cardiovascular health [2]. Although the cardiac cycle normally has a period between 0.5 and 1 

second, the stroke volume is delivered to the aorta only during systole, which comprises about one 

third of this period. As a result, flow rates in the ascending aorta often reach peak values of 500 

mL/s, or about 90 cm/s velocity. 

 
Figure 1.1: Anatomy and branches of the aorta. Image by Mikael Häggström. This file is licensed 

under the Creative Commons Attribution-Share Alike 3.0 Unported license. 

1.1.2 Regional Mechanical Properties  

The aortic wall in a young adult is composed of roughly 20% collagen and 40% elastin (dry 

weight), with the remaining mass consisting of smooth muscle cells and the surrounding ground 

matrix [3,4]. Although collagen is about 1000 times stiffer than elastin, the crimped nature of 

https://en.wikipedia.org/wiki/en:Creative_Commons
https://creativecommons.org/licenses/by-sa/3.0/deed.en
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collagen fibers in the aortic wall allows elastin to dominate the low-strain stiffness of the vessel. 

As a result, the aorta is highly compliant at low strains and then exhibits a sharp increase in stiffness 

when the collagen fibers engage at a tissue strain of about 30% [5]. The highest concentration of 

elastin is found in the ascending aorta, with the elastin level decreasing toward the distal end at the 

iliac arteries. The lower proportion of elastin in the abdominal aorta causes the tissue in that region 

to be more than three times stiffer than that of the ascending aorta [6,7]. In a healthy, young person, 

the ascending aorta undergoes about 11% circumferential strain over the cardiac cycle [8]. 

1.1.3 Hemodynamics 

Much like the mechanical properties, the nature of blood flow in the aorta is highly dependent 

on the region. Blood exits the heart at a high velocity, causing flow in the ascending aorta to exhibit 

significantly turbulent behavior [9]. Along the arch, about 30% of the blood volume exits through 

branching vessels, resulting in lower flow rates in the descending aorta [10]. Although 

instantaneous velocities cause Reynolds number to peak at about 3400 in the descending aorta, the 

average value is 1000, which places it in the transitional zone [11]. Velocity is further reduced in 

the abdominal aorta after 70% of the remaining blood volume is diverted to the kidneys, liver, and 

other abdominal organs [10]. The moderate Reynolds numbers and regional variation in flow along 

the aorta have led to significant heterogeneity in modeling choices for computational fluid 

dynamics studies. Many researchers include turbulence models when simulating aortic flow 

[10,12–15], while others argue that it can reasonably be excluded without invalidating the results 

[16–20]. 

The compliance of the aortic wall has a major impact on local and systemwide hemodynamics. 

Aside from its obvious role as a central conduit in the arterial system, the aorta also acts as a 

reservoir. When blood rushes into the aorta during systole, the vessel dilates to accommodate the 

increased blood volume. During diastole, the blood flows out of the aorta into the peripheral 

vasculature, and the blood pressure and the diameter of the vessel decrease. This storage and release 
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of blood over the cardiac cycle contributes to steady downstream flow and promotes healthy blood 

pressure by augmenting diastolic blood pressure [21]. 

Due to the dilation and contraction of the aortic wall over the cardiac cycle, the pressure wave 

moves at a finite, measurable speed. The pulsatile pressure measured somewhere far away from the 

heart will be delayed compared to the pressure wave measured proximal to the heart. As the aorta 

and other large arteries stiffen, the wave travels faster and less delay is measured. This effect can 

be quantified as the pulse wave velocity (PWV), an established method for assessing aortic stiffness 

in vivo [22]. PWV depends on aortic stiffness based on the relationship given by the Moens-

Korteweg equation (Eq. 1.1), which states that wave speed in an elastic vessel depends on tangent 

modulus 𝐸, vessel thickness ℎ, fluid density 𝜌, and vessel radius 𝑟 [23]. 

𝑃𝑊𝑉 = √
𝐸ℎ

2𝜌𝑟
                                                                      (1.1) 

This quantity can be measured noninvasively in a patient by simultaneously measuring blood 

pressure at two locations in the arterial tree and measuring the time delay between the two pressure 

waves (Fig. 1.2). Wave speed is calculated by dividing the distance  Δ𝑥  between the pressure 

measurements by the time delay Δ𝑡 between the feet of the pressure waves. The PWV measurement 

is typically qualified by which locations were chosen for the pressure measurements; carotid-

femoral measurements (cf-PWV) are most representative of aortic stiffness since the measurements 

are taken just proximal and distal to the aorta, in contrast to ankle-brachial PWV, which includes a 

significant amount of arterial length in addition to the aorta [24]. With any in vivo measurements 

of PWV, the biggest uncertainty is the path length between the two pressure measurements [25]. 

Although the distance between the measurement sites can be measured on the surface of the patient, 

this technique does not account for the potentially tortuous path that the vessels follow between 

those sites. Normal values of cf-PWV increase with age, starting at 6.2 ± 0.8 m/s (mean ± SD) in 

people under 30 years and climbing to 10.9 ± 2.7 m/s in people over 70 years old [26]. 
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Figure 1.2: Diagram of carotid-femoral pulse wave velocity measurement in a patient. The 

key elements of PWV measurement are the distance Δ𝑥 between pressure probes and the time 

delay Δ𝑡 between the two pressure waves. 

1.1.4 Blood Pressure 

Figure 1.3 shows a representative blood pressure wave measured in the ascending aorta. The 

incisura is a dip that occurs after peak pressure when the aortic valve closes, marking the end of 

cardiac systole. Pulse pressure 𝑃𝑃  is the overall span of the pressure wave, calculated as the 

difference between SBP (𝑃2 in Fig. 1.3) and DBP. The value of ∆𝑃, the difference between SBP 

and pressure at a preceding inflection point (𝑃1), increases with aortic stiffness and is usually zero 

for patients under 35 years old [27]. The jump in pressure from 𝑃1 to 𝑃2 occurs when the pulse 

wave reflects too early and augments systolic pressure. The Augmentation Index is often used to 

quantify the effect of wave reflection on systolic pressure and is defined as the ratio of ∆𝑃 to 𝑃𝑃 

[24,27–29]. 
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Figure 1.3: Pressure wave diagram. Pulse pressure (PP), augmented pressure (ΔP), reflection 

time (tR), and time of the foot of the wave (tF) are drawn on the figure.  

1.2  Aortic Pathophysiology 

1.2.1 Aortic Stiffness 

The thoracic aorta increases in stiffness by about 40% from age 40 to 60 and continues to 

stiffen with aging [30]. When the aorta stiffens, it can no longer adequately expand to receive the 

systolic bolus of blood, and subsequently it does a poor job of pushing the blood downstream 

through contraction during diastole. Another consequence of the stiffer aorta is that the blood 

pressure wave travels faster (see Eq. 1.1), causing wave reflections to occur before the end of 

systole. Not only does the earlier reflection increase systolic pressure and afterload on the heart 

[30], but it also fails to augment the diastolic pressure wave, reducing perfusion through the 

coronary arteries [31]. Both the decreased capacitance and increased wave speed lead to higher 

systolic and pulse pressures in the cardiovascular system. The higher pressure has a detrimental 

positive feedback effect; the arteries, which are now experiencing increased loading, thicken and 

deposit extra collagen fibers to return to their target stress state. This process, however, results in 

further stiffening of the already stiffened vessels. Based on the changes discussed above that result 

from a stiffer aorta, it should not be surprising that several studies [32–35] now have shown that 

arterial stiffness on its own is a reliable predictor for risk of cardiovascular disease. 
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Stiffness of the aorta is dictated by both passive and active properties of the tissue. A vessel 

wall with higher collagen content is likely to dilate less at a given pressure than one with a higher 

proportion of elastin [36]. Active contraction of the smooth muscle cells in the vessel wall also 

influences the stiffness (and diameter) of the aorta [37,38]. Two driving factors behind smooth 

muscle tone and remodeling in the aorta are blood pressure and wall shear stress (WSS), stimuli 

that are sensed by the endothelial cells that line the vessel lumen. When the aorta is subjected to 

sustained high pressures, it thickens and dilates through deposition of additional material and 

growth of the smooth muscle cells [39]. The response to WSS is more complex, because both low 

and high WSS can have detrimental effects on aortic remodeling. Low WSS (< 4 dyn/cm2), 

associated with areas of circulating or stagnant flow, is associated with wall thickening and 

formation of atherosclerotic lesions [40,41]. On the other hand, excessively high WSS (>

400 dyn/cm2) is thought to lead to injury of the endothelial cells and subsequent platelet activation 

[41–43]. 

The main strategies for controlling and minimizing hypertension are lifestyle changes and 

medication. Because hypertension and arterial stiffness are closely related conditions, the 

recommended treatments are similar for both. Meneton et al. [44] wrote an extensive review of 

studies that demonstrated a link between daily salt intake and blood pressure. The effect of salt 

intake on arterial stiffness is not as well documented, but one study showed that reduced salt intake 

led to increased arterial distensibility, interpreted from reduced PWV, in normotensive subjects 

[45]. One theory behind this finding is that high sodium intake leads to an increase in smooth 

muscle tone, which adversely affects artery distensibility [46]. In another study, endothelium-

derived nitric oxide, which normally acts as a vasodilator for arteries, was experimentally inhibited 

in normotensive patients and caused significant increase in PWV [47]. The authors of this study 

concluded that a natural reduction in nitric oxide with age may be a cause of arterial stiffening, and 

therapy including vasodilators may be effective in counteracting arterial stiffness.  
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While vasoconstriction is one treatable factor contributing to arterial stiffening, other age-

related changes such as elastin fragmentation and collagen remodeling are also significant and not 

as simple to solve. Unlike collagen, which is constantly being produced and deposited in our vessels, 

elastin cannot be repaired or replaced when it inevitably becomes damaged from injury or aging 

[48]. More than any other component of the arterial wall, elastin is responsible for maintaining the 

elasticity that aids in propagating blood flow during diastole. Even if vasodilators and other 

treatments are used to reduce stiffness of the arteries, this will have limited value in restoring the 

elastic recoil that a large vessel like the aorta needs in order to perform its critical role as a capacitor 

for the cardiovascular system.  

One treatment that aims to address the need for elastic recoil in arteries is called enhanced 

external counterpulsation (EEC) [31]. Pneumatic cuffs placed on the extremities apply pulsatile 

pressure to aid blood flow returning to the heart [49]. This system is recommended for patients with 

angina, whose circulation cannot adequately deliver oxygenated blood to the heart as a result of 

coronary artery disease or a similar condition. The external cuffs perform the contractile action that 

the stiffened arteries cannot, effectively restoring the diastolic pressure to an adequate state. This 

treatment is effective, though a one-time invasive intervention (e.g. stent, ablation, bypass) to solve 

the underlying problem is preferred for patients who can tolerate it [49]. 

1.2.2 Hypertension 

Hypertension affects 32% of Americans, and another third of the population has 

prehypertension [50]. Figure 1.4 shows the AHA guidelines for hypertension diagnosis, based on 

systolic (SBP) and diastolic (DBP) blood pressure measurements [51]. Hypertension is classified 

as Stage 1 or Stage 2, based on how high pressure is compared to healthy levels. Optimal blood 

pressure is SBP below 120 mmHg and DBP below 80 mmHg. 

Medication is the primary intervention for hypertension, though lifestyle changes such as diet, 

exercise, and smoking cessation are also recommended. About 76% of people with hypertension 
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report using antihypertensive medications, but little over half of this group finds that their condition 

is well controlled [52]. Treatment for hypertension is almost exclusively limited to medication and 

lifestyle change, while treatment for complications of hypertension (aortic aneurysm, stroke, etc.) 

often involves risky surgical procedures. Due to the high mortality rate in CVD and related 

interventions, there is strong motivation to develop long-term, reliable treatment options for 

hypertension [53].  

 
Figure 1.4: Blood pressure levels and their associated hypertension diagnoses [51] 

The overall prevalence of hypertension in 2017 was 32%, compared to 29.1% in 2012, which 

is consistent with the fact that prevalence is following an increasing trend. Incidence is higher in 

the elderly population, with 65% of people 60 years or older having hypertension compared to only 

7.3% of people under age 40 [52]. As the body ages, the vascular system stiffens, which leads to 

higher pressures required to propel the same volume of blood [30,54–58]. Stiffening occurs due to 

factors such as decreased water presence and increased collagen deposition and crosslinking [59]. 

Particularly in large arteries such as the aorta, fragmentation and calcification of elastin lead to a 

loss in distensibility and elasticity, which are critical for healthy cardiovascular function 

[24,31,32,60].  
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1.2.3 Aortic Aneurysm and Dissection 

The two main pathologies that can develop within the aorta are aneurysm and dissection, both 

of which threaten the vessel’s ability to provide adequate blood flow to the body. Aneurysm is 

characterized by a ballooning of a segment of the aorta, which makes the vessel wall weak and 

prone to life-threatening rupture. Abdominal aortic aneurysm (AAA) is the most common form of 

the disease with a prevalence of over 1.4% in Americans over age 50 [61]. Thoracic aneurysm is 

less common with an incidence of about 13 per 100,000 people per year, though aneurysm of the 

ascending aorta is found in 40% of patients with bicuspid aortic valve [62,63]. For aneurysm at any 

position along the aorta, the primary concern is rupture of the vessel, which is a devastating event 

associated with a 30-day mortality rate of 50-70% for patients who make it to the hospital for 

intervention [62,64]. Depending on location, aneurysms are treated through open surgical repair or 

endovascular stent-graft placement.  

Aortic dissection is characterized by one or more partial-thickness tears in the aortic wall that 

lead to development of a false lumen with blood flowing into the space between the layers of the 

vessel wall. The overall prevalence of dissection is estimated between 0.2-0.8% based on autopsy 

results [65]. Type of dissection is categorized by the location of the most proximal tear, with the 

first tear in the ascending aorta classified as Type A and first tear in the descending aorta as Type 

B (TBAD). In 20-50% of patients, secondary flow in the false lumen interferes with blood perfusion 

to the rest of the body, weakens the aortic wall, and makes it susceptible to complete rupture. 

Whereas Type A dissection is always treated as a medical emergency, TBAD can be classified as 

acute or chronic – a distinction that identifies whether the symptoms of dissection are progressing 

quickly or if the condition has stabilized [66]. Type A dissection comprises 70% of cases and 

requires immediate surgical intervention to replace the aorta due to high rate of rupture [67]. TBAD, 

on the other hand, constitutes the remaining 30% of cases and follows a different treatment profile. 

Resection of the descending thoracic aorta is typically not recommended due to high risk of renal 
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damage or even paraplegia [67,68]. Instead, TBAD is closely monitored, and the preferred treatment 

is for the patient to take antihypertensive medications to reduce the risk of rupture [67–70]. 

Recently, however, studies have shown evidence that stent-graft placement should be considered 

for patients with TBAD to improve long-term outcomes, even if the dissection appears to be stable 

with medical therapy [71,72]. 

1.3  The Role of Stent-grafts in Aortic Disease 

Endovascular aortic repair (EVAR) through placement of a stent-graft is increasingly 

becoming the intervention of choice for aneurysm and dissection in both the thoracic and abdominal 

regions [73,74]. Rather than removing the diseased segment of aorta and replacing it with an 

artificial graft during open surgery, EVAR facilitates minimally invasive placement of a wire-

reinforced graft within the diseased aorta, creating a protective layer to shield the aneurysm sac or 

dissection tear from dynamic blood flow (Fig. 1.5B). By shielding the diseased tissue from blood 

flow, the stent-graft allows the aorta to remodel to shrink the aneurysm sac or false lumen and 

restore normal hemodynamics [75]. Several companies offer a range of stent-grafts for different 

regions of the aorta and different conditions, but they all follow the same design language of a stiff 

fabric tube attached to crimped metal rings that provide radial fixation force (Fig. 1.5A). The main 

differences among different products is the longitudinal flexibility of the device, diameter of 

deployment system, and shape-memory or balloon-expansion deployment mechanism [76].  

EVAR has been used to treat AAA since 1990, and it has advanced such that it is associated 

with one-third the risk of perioperative mortality compared to open surgical repair [77,78]. 

Although EVAR had been developed several years earlier, it wasn’t applied as an intervention for 

TBAD until 1999 [79]. The stent-grafts, which were originally designed for treatment of aneurysms, 

consist of a metal wire mesh covered with a nonporous fabric. The metal stent provides the rigid 

structure necessary to maintain lumen patency, and the fabric isolates flow in the stented lumen 

from the occluded aneurysm sac. When used to treat dissection, the metal stent is placed against 
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the aorta wall, and the fabric acts as a barrier to prevent flow from entering the false lumen. The 

stent-graft must cover all entrance tears to the dissection, meaning that in some cases a patient may 

require a significant proportion of the aorta to be stented to fully block the tears.  

 
Figure 1.5: Stent-graft diagram. (A) Representative diagram of an aortic stent-graft consisting of 

a fabric tube and metal wire rings. (B) Example placement of a stent-graft in a descending thoracic 

aortic aneurysm. 

The benefits of thoracic endovascular aortic repair (TEVAR) for TBAD are often disputed, 

with the main arguments against the procedure being a relatively high occurrence of operative and 

post-operative complications. Major complications are reported in 11% of cases, most often 

including spinal injury, stroke, or retrograde Type A dissection [68,79,80]. In 40% of cases, 

placement of the stent-graft blocks the left subclavian artery [79], though a review showed that the 

effects of occluding this artery are usually limited to upper limb ischemia [81]. Survival rate after 

TEVAR for patients with chronic TBAD is not significantly different from patients who are instead 

treated with medication and surveillance, though aortic-related deaths are reduced in TEVAR 

patients [68].  
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There has been a push in the industry to increase the number of devices available for TEVAR, 

including highly flexible branched or fenestrated stent-grafts that are designed for placement in the 

aortic arch [82–84]. The complex geometry and branching patterns of the ascending aorta and arch 

make it a challenging target for TEVAR, but increased availability of TEVAR for Type A 

dissection and ascending thoracic aortic aneurysm would increase access to early intervention and 

reduce overall mortality [85]. 

1.4  An Opportunity to Improve Aortic Interventions 

In addition to the difficulty in deploying stent-grafts in the geometrically complex thoracic 

aorta, there is increased importance of stent-graft compliance for placement in the thoracic region. 

We know that compliance of the aorta is critical to maintenance of healthy blood pressure and 

cardiac afterload. As TEVAR procedures have become more prevalent, a growing number of 

studies have demonstrated that these stiff implants contribute significantly to increased arterial 

stiffness [86–88]. Although great strides are being made in the ability to perform the TEVAR 

procedure in a range of patients, very little attention is being paid to the consequences of increased 

aortic stiffness. The most obvious target for a more compliant stent-graft would be patients with 

TBAD. TEVAR procedures for this condition are gaining popularity, and healthy compliance in the 

descending thoracic aorta is significantly higher than compliance in the abdominal aorta [30,71]. 

Still, a more compliant stent-graft stands to benefit any patient undergoing EVAR. 

Because people with cardiovascular disease, including aortic dissection, often present with 

comorbidities, some level of risk will always be associated with interventions like TEVAR. Patients, 

however, should not have to settle for complications following TEVAR for TBAD that arise 

specifically due to inappropriate design of the stent-graft. Current stent-grafts are designed as rigid 

tubes to meet the needs for aneurysm repair – maintain patency in a vessel after exclusion of an 

aneurysm sac [89]. But in the case of dissection, where 75% of patients have chronic hypertension 

[90], placing a rigid stent in the already-stiffened aorta is likely to worsen that condition.  
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Stent-graft induced new entry (SINE) is a major concern following TEVAR, in which 

placement of the stent-graft appears to cause a new (or newly lengthened) dissection. One of the 

most serious complications associated with TEVAR for TBAD is retrograde Type A dissection. 

This condition constitutes the subset of SINE where the tear propagates backward toward the 

ascending thoracic aorta, creating an acute condition that requires immediate intervention. This 

complication carries a 33.6% mortality rate and has a higher incidence rate when TEVAR is treating 

dissection (4%) as opposed to aneurysm (0.9%) [68]. The higher risk associated with TBAD can be 

attributed to the fragility of the aortic wall [68,89–96]. Because the dissected aorta is prone to tears, 

it is believed that stresses from manipulation, balloon dilation, and stent fixation during TEVAR 

are likely to cause damage. Risk is directly correlated with stent oversizing because higher radial 

forces from an oversized stent increase the likelihood of new or propagated tears in the brittle wall 

[68,90]. Several researchers have commented that for dissection repair, stent-grafts should impose 

substantially less radial force on the aorta since fixation occurs along the entire length of the stent, 

instead of only on the proximal and distal ends [89,90,95]. The same issue arises, if only briefly, 

when a balloon is inflated to expand the stent-graft into position. Additionally, prodding from thin, 

rigid wire such as the guidewire that leads the endovascular tools into the aorta, or the barbed ends 

of the stent used for fixation, pose a substantial threat to the dissected aorta, in contrast to the 

healthier tissue surrounding an aneurysm. 

A less severe but more common complication arises when SINE occurs distal to the stented 

section of the aorta. One study of 108 patients who underwent TEVAR for TBAD reported distal 

re-entry tear in 26.6% of patients, sometimes undetected until years after the TEVAR procedure 

[90]. Distal SINE was controlled in more than 40% of patients with medical therapy aimed at 

maintaining blood pressure below levels that may lead to rupture of the dissection. In the remaining 

patients, another TEVAR or open repair was performed due to symptoms such as malperfusion or 

consistent growth in aorta diameter. 
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Another issue with TEVAR for TBAD is that it inherently exacerbates the hypertensive 

condition that most patients have prior to treatment. Placement of a rigid stent-graft blocks 

expansion and contraction of the aorta in that segment, reducing the capacitance and increasing the 

stiffness of the entire aorta. If the stent-graft worsens hypertension, then there is a strong chance of 

cardiovascular disease progression, including re-dissection, even without direct injury to the aorta 

during the TEVAR procedure [89].  

1.5  Research Aims & Outcomes 

The goal of my work was to design a new aortic stent-graft that improved upon currently 

available devices by increasing device compliance without compromising its protective function. 

The key research studies that contributed toward realization of this goal are described in the 

following four chapters of this thesis. A brief summary of each chapter is given below. 

 

Chapter 2: Parameters that Impact Aortic Stiffness and Blood Pressure. The first step toward 

developing an improved stent-graft was to study the effects of different aortic parameters on the 

effective stiffness of the arterial system and, subsequently, blood pressure. A modified Windkessel 

model was developed to sweep over a range of resistance and capacitance (compliance) parameters 

in the descending thoracic region of the aorta. The information gathered from this study informed 

the design concept that was pursued for the remainder of the thesis. 

 

Chapter 3: Double-Walled Stent-Graft: Proof of Concept. This chapter introduces the double-

walled stent-graft (DWSG) concept, which leverages the compressibility of a biocompatible gas to 

incorporate capacitance within the lumen of a standard stent-graft. Preliminary prototypes of the 

DWSG were subjected to static inflation experiments to characterize capacitance and resistance, 

and the dynamic behavior was compared to these static measurements through pulsatile flow loop 

experiments. The parameters estimated from these experiments were input into the modified 
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Windkessel model from Chapter 2 and used to predict behavior of the DWSG under physiologic 

conditions. 

 

Chapter 4: Effect of the Double-Walled Stent-Graft on Pulse Wave Velocity. A fluid-structure 

interaction (FSI) computational model was developed to assess the impact of the DWSG on aortic 

stiffness. Pulse wave velocity was calculated through measurement of the time delay between 

pressure waves upstream and downstream of the DWSG. The gas layer of the DWSG was modeled 

as a highly compressible solid material with coefficients that matched pressure-volume behavior of 

the true gas layer. The same measurements were conducted in an experimental flow loop, using an 

endovascular prototype of the DWSG fabricated with plastic tubing and a sheet of bubble wrap. 

 

Chapter 5: Shape Optimization of the Double-Walled Stent-Graft Gas Layer. A multiobjective 

optimization study was performed to find a tradeoff between maximizing capacitance of the DWSG 

and minimizing its adverse effects on hemodynamics. Two version of the optimization were 

conducted – one to identify the optimal longitudinal profile for the gas layer and another to find the 

optimal number of circumferential segments into which to divide the gas layer. 
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Chapter 2 

Parameters that Impact Aortic Stiffness and Blood 

Pressure 

 

Portions of the work in this chapter were previously published in proceedings for the 2018 Design 

of Medical Devices Conference [97]. 

 

2.1  Introduction 

In 2017, the American Heart Association reported that one third of deaths in the United States, 

and 31% of deaths worldwide, are attributed to cardiovascular disease (CVD) [98]. A risk factor 

pervasive across most types of CVD is chronic high blood pressure, or hypertension [53]. 

Hypertension affects 32% of Americans and is more prevalent in the elderly population [99]. 

Primary treatment consists of lifestyle changes (e.g. diet, exercise, smoking cessation) and 

antihypertensive medication, but only half of patients taking medication find that their condition is 

well controlled [98]. When treatment for hypertension is ineffective, patients are at risk for 

developing CVD. Treatment for CVD depends on disease severity and presentation but often 

includes risky and invasive procedures to reinforce vessels or reroute blood flow.  

Endovascular procedures are favorable for CVD treatment because they are minimally 

invasive, but a substantial risk is often overlooked when it comes to thoracic endovascular aortic 

repair (TEVAR). The aorta is the largest artery in the human body, and it is the main conduit for 

delivering oxygenated blood to most organs and peripheral vessels. However, in addition to 

providing a low-resistance route for blood, the aorta is responsible for regulating downstream flow 

rate. Its elastic nature allows it to expand to absorb the bolus of blood leaving the heart’s left 

ventricle during cardiac systole and then contract to push that blood along during diastole [100]. 
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This capacitive function is inhibited when the aorta wall stiffens, either naturally with age or due 

to placement of a rigid stent-graft (SG) during TEVAR. Aortic stiffening on its own is a predictor 

of CVD risk [32–35] in addition to its contribution to increased blood pressure. It is troubling that 

TEVAR, while treating CVD, is also augmenting one of the most significant CVD risk factors. 

Aortic dissection is one of the main aortic diseases for which TEVAR is employed. Dissection 

occurs when the aorta wall tears, often forming a false lumen within layers of the wall. This 

condition can cause poor perfusion to vital organs and risk of fatal rupture of the aorta. Dissections 

that occur in the descending thoracic aorta are commonly treated with TEVAR to reinforce the torn 

wall and maintain vessel patency. However, likely due to ongoing high blood pressure, about 30% 

of patients who undergo stent-graft repair of descending thoracic aortic dissection develop another 

tear within months or years after the procedure [68,90]. Growing evidence suggests that the high 

stiffness of the implanted stent-graft may contribute to persistent hypertension and poor long-term 

outcomes in these patients [101]. 

This contradiction in treatment – delivering a stiff stent-graft to a patient whose underlying 

disease was caused by a stiff aorta – illuminates the need for a stent-graft that preserves, or even 

reduces, blood pressure. The first steps in developing this stent-graft are to quantify the effect of 

stent-graft placement on blood pressure in the hypertensive patient and to investigate whether a 

stent-graft with particular properties has potential to therapeutically reduce hypertension. In this 

study, the properties of a simulated stent-graft in the descending thoracic aorta are tested for effect 

on blood pressure using a lumped parameter model of the arterial system.  

2.2  Methods 

2.2.1 Modified Windkessel Model 

Researchers often use a circuit analog model to describe the relationship between pressure and 

flow in the arterial system [102]. The essence of this model is to consider the aorta as a capacitor 

𝐶 in parallel with the resistance of the peripheral vessels, 𝑅𝑃. The most common version of the 
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model also includes an impedance term 𝑍𝑐, in series with the two parallel elements, to account for 

input impedance of the aorta. Though 𝑍𝑐  is a function of input flow frequency, it is often 

approximated as a constant resistance 𝑅𝑐 for simplicity [103]. The four-element Windkessel model 

places an inductor in parallel with the impedance to represent the inertia of the flowing blood 

[102,104,105]. 

We developed a lumped parameter model, built upon the four-element Windkessel [105], to 

simulate the arterial system with a stent-graft placed in the descending thoracic aorta (Fig. 2.1A). 

In our model, three capacitor-resistor sets represent the ascending (1), descending (2), and 

abdominal (3) aortic segments (Fig. 2.1B). Parameters 𝑅𝑐  and 𝐿𝑐  represent the characteristic 

impedance of the heart outlet and entrance to the most proximal ascending aorta [105]. 𝑅𝑃 is the 

lumped resistance of the peripheral vasculature.  

 
Figure 2.1: Modified Windkessel model. (A) Four-element Windkessel model with capacitance 

and resistance of the aorta divided into three segments as shown in B. Flow rate 𝑄 is imposed; 

resistance (𝑅), capacitance (𝐶), and inductance (𝐿) elements represent the impedance of the 

arterial system. (B) Diagram of the aorta with labels for: 1 – ascending aorta/arch, 2 – descending 

aorta, and 3 – abdominal aorta. 

2.2.2 Sweep of Model Parameters 

The capacitance of each segment was computed using its fractional contribution to the total 

system capacitance taken from Saouti et al. [106], who recorded pulse wave velocity measurements 

at various locations along the aorta to approximate the regional stiffness of the aorta and its 

branches. The percentage of the overall capacitance attributed to each region is given in Table 2.1. 
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Note that the aorta itself accounts for only 65% of system capacitance [106], but the remaining 

capacitance from proximal and distal branches is lumped respectively into segments 1 and 3 in this 

model. A relationship for capacitance can be derived from the Law of Laplace (Eq. 2.1) depending 

on vessel stiffness 𝐸, wall thickness ℎ, radius 𝑟, length 𝐿, and Poisson’s ratio 𝜈, however it was not 

practical to find suitable values for regional stiffness of the pressurized aorta; most measurements 

of tissue stiffness in literature are evaluated ex vivo, and the lack of prestretch in these samples 

causes the effective stiffness in vivo to be underestimated.  

𝐶 =
(1 −

𝜈
2
)𝜋𝑟3𝐿

𝐸ℎ
                                                                (2.1) 

For the three aortic segments, resistance 𝑅𝑖 was calculated using the Poiseuille pressure-flow 

relationship (Eqn. 2.2). Resistance for a given segment is split evenly between upstream and 

downstream from the capacitance 𝐶𝑖, similar to the T element used in multicompartment lumped 

parameter arterial models [107]. 

𝑅 =
8𝜂𝐿

𝜋𝑟4
                                                                          (2.2) 

 Blood dynamic viscosity 𝜂 was held constant at 3.5 𝑐𝑃 for all calculations, while nominal 

vessel length 𝐿 and radius 𝑟 for the respective aortic segments were set to measured values from 

literature [57]. Two sets of parameters were calculated to develop one model of a young, 

normotensive patient and one of an older, hypertensive patient.  

Table 2.1: Breakdown of aortic capacitance. Contribution of each modified Windkessel model 

(Fig. 2.1A) to total system capacitance, calculated using data from Saouti et al. [106] 

Segment number and description Capacitance (%) 

1 – ascending thoracic aorta, aortic arch, arch branches 31.6 

2 – descending thoracic aorta 25.5 

3 – abdominal aorta, abdominal branches, pelvic/leg arteries 44.9 
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2.2.3 Study Design 

Two baseline cases – normotensive and hypertensive – were run with the nominal values for 

all parameters. Next, to simulate different stent-graft properties, a sweep was conducted for the 

values of 𝑅2 and 𝐶2. The resulting pressures for each set of parameters were measured and recorded. 

Systolic blood pressure (𝑆𝐵𝑃) was taken as the peak value in the steady state pressure waveform 

and diastolic blood pressure (𝐷𝐵𝑃) as the minimum value. Pulse pressure (𝑃𝑃) and mean arterial 

pressure (𝑀𝐴𝑃) were calculated using the measured SBP and DBP, as shown in Equations 2.3 and 

2.4. 

𝑃𝑃 = 𝑆𝐵𝑃 − 𝐷𝐵𝑃                                                             (2.3) 

𝑀𝐴𝑃 = 1 3⁄ 𝑆𝐵𝑃 + 2 3⁄ 𝐷𝐵𝑃                                                   (2.4) 

The imposed flow rates for the normotensive and hypertensive models both were derived from 

the profile reported by Kind et al. [108], but the pulse rate and stroke volume were modified to 

reflect values reported in literature for young and elderly patients [9,109]. The timeseries flow 

profiles were generated with a MATLAB script that scaled the period of the Kind et al. wave to 

match the desired pulse rate and then scaled the wave amplitude until the integrated area under each 

curve matched the specified stroke volume. The profiles were stored as paired time and flow rate 

vectors with a time increment of 0.001 seconds.  

The modified Windkessel model was solved in the frequency domain using Fourier series 

expansion and complex impedance analysis. The flow profile was deconstructed into its first 200 

harmonics, where each frequency is a multiple of the fundamental frequency 𝜔0. An expression 

for the complex impedance of the circuit shown in Fig. 2.1A was derived (Eq. 2.5) and evaluated 

for the n-th harmonic 𝜔 = 𝑛𝜔0, where 𝑗 is the imaginary unit. After the pressure response for each 

was calculated independently, all of the separate contributions were added together to give the final 

result. 
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𝑍(𝜔) = (
1

𝑅𝑐
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1

𝑗𝜔𝐿
)
−1

+
𝑅1
2
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1

(
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Each model was evaluated for 90 simulated seconds to ensure that steady state was reached, 

and results were extracted from the final five cardiac cycles. Pressure measurements were obtained 

over parameter ranges of 0 ≤ 𝐶2 ≤ 1 mL/mmHg and 10−10 ≤ 𝑅2 ≤ 0.1 mmHg ∙ s/mL in both 

the normotensive and hypertensive models.  

2.3  Results & Discussion 

2.3.1 Effects of Resistance and Capacitance on Blood Pressure 

The results of the sweeps for the normotensive (Fig. 2.2A-B) and hypertensive (Fig. 2.2C-D) 

models followed the same trends but over different pressure ranges. The unstented normotensive 

model had a baseline blood pressure of 118/72 mmHg (systolic/diastolic), while baseline pressure 

in the hypertensive model was 150/99 mmHg. Increasing capacitance (𝐶2) led to decreases in both 

systolic and pulse pressures. Increasing descending thoracic aorta resistance (𝑅2) had minimal 

effect on pressure until its value was within two orders of magnitude of 𝑅𝑝; as 𝑅2 increased past 

this threshold, pressure increased sharply. In this high resistance range, pressure became much less 

sensitive to changes in capacitance. 

When a standard stent-graft (SG) is placed in the descending thoracic aorta, it has negligible 

effect on resistance due to its low profile, but it has a significant impact on capacitance in that 

region. The materials used for the graft portion of a SG are more than 20 times stiffer than the  

healthy aortic wall [110], causing capacitance in the stented region to drop to 4% of its unstented 

value. Figure 2.3 shows the effect of SG placement on the pressure profile in both the normotensive 

(Fig. 2.3A) and hypertensive (Fig. 2.3B) models. For the normotensive patient, blood pressure 
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shifts from 118/72 to 125/66 mmHg, corresponding to a 6% increase in SBP, an 8% decrease in 

DBP, and a 29% increase in PP. For the hypertensive patient, pressure changes from 150/99 to 

157/92, corresponding to a 5% increase in SBP, a 7% decrease in DBP, and a resulting 29% increase 

in PP. Although relative changes in pressure for both models were approximately the same, the 

absolute change in pressures was slightly higher for the hypertensive patient since its baseline 

values were higher than those of the normotensive patient.  

 
Figure 2.2: Results of Windkessel parameter sweep. (A) Systolic and (B) pulse pressure in the 

normotensive model over the range of 𝑅2 and 𝐶2 values. (C) Systolic and (D) pulse pressure in the 

hypertensive model. In all panels, the star signifies the original model parameters, representing an 

unstented condition. Note that the color bar range is different in each panel and resistance is on a 

logarithmic scale. 
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One important result from this study was the fact that no value of 𝐶2 (within reason) in the 

hypertensive model was able to lower SBP to the baseline normotensive pressure. Even if the 

baseline hypertensive 𝐶2  was quadrupled, SBP remained 18% higher than the baseline 

normotensive pressure. This result suggests that even a high-capacitance SG cannot be expected to 

completely reverse the hypertensive condition caused by low systemwide capacitance. Despite this 

limitation, there is still significant value in a SG that lowers blood pressure or at least minimizes 

the increase in pressure typically caused by existing devices. In a review paper that analyzed how 

reducing blood pressure affected risk of CVD across over 100 randomized trials, it was estimated 

that a linear relationship exists between reduction in SBP and reduction in major CVD events [111]. 

We have shown that placement of a rigid stent-graft increased SBP by 7 mmHg in both of our 

models. According to the findings of the review paper, a new stent-graft design that maintains 

capacitance at unstented values could reduce risk of CVD by about 10% compared to patients who 

receive a standard stent-graft. 

 
Figure 2.3: Effect of a standard stent-graft on blood pressure. Pressure profiles for the (A) 

normotensive and (B) hypertensive Windkessel models, with and without a stent-graft placed. Note 

that the axis ranges for both plots are the same, and the legend in panel B applies to the plots in 

both panels. 
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2.3.2 The Physical Tradeoffs between Resistance and Capacitance 

Although resistance and capacitance can be independently selected in the context of this model, 

they are inherently linked by the physical parameters that define them. For example, if vessel radius 

is increased, capacitance increases due to the relationship 𝐶~𝑟3 (Eq. 2.1), and resistance decreases 

from the relationship 𝑅~𝑟−4 (Eq. 2.2). On the other hand, if vessel length is increased, capacitance 

again increases but resistance increases as well. In order to change capacitance without affecting 

resistance, only the vessel stiffness, Poisson’s ratio, and thickness – all parameters that affect 

distensibility of the vessel – could be changed. To change resistance without affecting capacitance, 

blood viscosity would have to be changed. 

If my objective is to design a new aortic stent-graft (SG) that has increased capacitance to 

lower blood pressure, then I must identify a set of parameters that improve device capacitance 

without negating the core protective function of the stent-graft. For a SG to be deployed 

endovascularly, it must be designed to sit within the lumen of the aorta; this requirement restricts 

the radius of the device from exceeding that of the native aorta. It can be slightly oversized to push 

radially outward on the aorta and increase the vessel radius, but excessive SG oversizing is known 

to increase risk of re-tears in patients treated for thoracic aortic dissection [90,112]. Another 

challenge is that the aorta is not cut during endovascular surgery, so there is minimal opportunity 

to add length beyond that of the segment to be stented. The length of aorta to cover with a SG can 

be adjusted to some degree, but increasing stented length also leads to increased occlusion of 

branching vessels and risk of paraplegia [113,114]. 

Stiffness of the SG is a viable parameter to decrease in order to increase capacitance, but it is 

not without limitations. At best, the effective stiffness of the endovascular SG could be as low as 

the stiffness of the native aorta. If the stiffness of the SG were decreased below that level, any 

potential dilation of the device would be prevented by the stiffer aortic wall surrounding it. Another 

issue with decreasing SG stiffness to increase capacitance is that the decreased stiffness would 
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diminish the protective function of the device. By having a significantly higher stiffness than the 

surrounding aortic wall, the SG is able to shield the vulnerable tissue from pressure-induced cyclic 

loading. 

All of the previously presented options for lowering capacitance have assumed that the SG 

follows the same equations as an elastic vessel for resistance (Eq. 2.2) and capacitance (Eq. 2.1). It 

is possible, however, to create a different type of SG that is not simply an elastic tube and therefore 

follows a different set of equations. The more general definition for capacitance is given by Eq. 2.3, 

which states that capacitance describes how much volume change 𝑑𝑉𝑙𝑢𝑚𝑒𝑛  the vessel lumen 

undergoes for a given change in lumenal pressure 𝑑𝑃𝑙𝑢𝑚𝑒𝑛. 

𝐶 =
𝑑𝑉𝑙𝑢𝑚𝑒𝑛
𝑑𝑃𝑙𝑢𝑚𝑒𝑛

                                                                         (2.3) 

Instead of relying on dilation of the SG wall to achieve change in volume, an external reservoir 

could be attached to the vessel wall, allowing blood to exit and return from the lumen over the 

cardiac cycle. This concept was implemented with the ROX coupler device, which utilized the 

venous system as an external reservoir by creating a pathway for blood to flow between the external 

iliac artery and vein [115]. This device often results in adverse effects on the iliac vein and suffers 

from failure due to occlusion after years of vascular remodeling [116–118]. 

 Another way to change lumen volume is by incorporating a compressible material into the 

SG. When pressure is high during systole, the compressible material would reduce in volume, and 

then when pressure reduces during diastole it would expand again to full volume. Through this 

loading and unloading, the volume of the lumen would change to deliver capacitance without 

requiring the vessel wall to deform and without requiring connections to any external reservoirs. 

Although adding material within the vessel lumen would reduce the flow area and increase 

resistance, we saw in Fig. 2.2 that resistance can increase by several orders of magnitude from the 

unstented value before it has any measurable impact on pressure. Incorporation of a compressible 
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material within the vessel lumen takes advantage of this insensitivity to resistance by trading flow 

area for capacitance. This concept is the basis of the double-walled stent-graft (DWSG), which is 

the primary topic of this thesis. The details of the idea will be discussed further in the following 

chapters. 
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Chapter 3 

Double-Walled Stent-Graft: Proof of Concept 

 

The content of this chapter was previously published as a research article in the ASME Journal of 

Medical Devices by Kizilski, Amili, Coletti, Faizer, and Barocas [119]. 

 

3.1  Introduction 

Chronic high blood pressure, or hypertension, affects about one third of the adult US 

population [98]. Multiple studies have shown a strong link between hypertension and more serious 

cardiovascular diseases including stroke and ischemic heart disease [98,120–122]. Although a 

variety of factors may contribute to the development of hypertension, the present work focuses on 

the role of aortic stiffening. 

The aorta, the largest artery in the human body, plays an essential role in conducting 

oxygenated blood from the heart to the visceral organs and major branching vessels. When an injury 

develops in the aorta, either due to trauma or a chronic condition, primary intervention focuses on 

preventing vessel rupture and maintaining adequate blood flow. The most common types of aortic 

implants are grafts and stent-grafts [123,124]. Aortic grafts are flexible fabric tubes that are sewn 

end-to-end with the native aorta to replace a damaged portion that has been excised. Stent-grafts, 

which are fabric tubes reinforced with metal wires, are delivered via an endovascular catheter and 

deployed to push against the internal wall of the damaged aortic segment. Rather than completely 

replacing a length of the aorta, a stent-graft resides within the native vessel and provides structural 

support to prevent occlusion or rupture. Stent-graft procedures have been gaining popularity over 

open surgery in recent years due to reduced morbidity and mortality [125].  



29 

Aside from its role as a conduit, the aorta plays a crucial role as a reservoir in the arterial 

system. The elasticity of a healthy aorta allows it to expand and contract with each heartbeat, storing 

and releasing blood during cardiac systole and diastole, respectively. By temporarily storing blood, 

the aorta promotes a steadier flow to the peripheral vessels, thereby reducing the swing between 

systolic and diastolic pressures, also known as the pulse pressure. Increased aortic stiffness, which 

occurs naturally with age, has been identified as an independent risk factor for cardiovascular 

events [126]. It has also been shown that increased arterial stiffness is associated with increased 

blood pressure, due to increased wave speed and pulsatility [127].  

The capacitive function of the aorta has long been recognized and quantified by both the 

scientific and medical communities, yet it has been largely neglected in existing graft and stent-

graft designs. Dacron (polyethylene terephthalate) and other materials commonly used for graft 

fabric are more than 20 times stiffer than the healthy aortic wall [110]. The radial stiffness of a 

stent-graft ensures that it protects the damaged aortic wall from pressure-induced injury or rupture, 

but it also inhibits storage and release of blood in that segment. With more studies emerging about 

the long-term health effects of stent-grafts, it is becoming apparent that matching aortic 

conductance alone is an insufficient standard [89].  

Incorporating both protection of the aortic wall and significant fluid capacitance into a single 

stent-graft design is not a trivial task – protection requires that the aorta is not subjected to large 

oscillatory strains, but capacitance requires that the lumen volume changes with blood pressure. 

Another difficulty arises when we consider the fact that many patients receiving stent-grafts already 

have a significantly stiffened aorta, which cannot provide the capacitance seen in a healthy 

individual [24,128]. Approximately 40% of patients receiving stent-grafts to treat dissection in the 

descending thoracic aorta are over 65 years of age [129], at which point the aorta is more than twice 

as stiff as that of a young, healthy individual [130]. The optimal stent-graft would shield the aorta 
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from stresses due to blood pressure and still would permit changes in lumen volume in response to 

pressure changes, even if the aortic wall itself cannot adequately stretch and recoil.  

Efforts to develop a more compliant stent-graft to better mimic the capacitive function of the 

healthy aorta are limited by the extrinsic constraints of the existing diseased aorta. First, if the 

device is in direct contact with the aortic wall along its entire length, as is usually the case in the 

treatment of aortic dissection, the overall compliance and capacitive characteristics of that aortic 

segment are at best defined by the diseased, native aortic wall, regardless of the graft material used. 

Simply put, the stent-graft cannot make the native aortic wall (with which it is in contact) more 

compliant, only less. In practice, all existing stent-grafts have been demonstrated to add 

significantly to aortic rigidity [131]. Furthermore, if the stent-graft is not in direct contact with the 

aortic wall except for fixation at its two ends, as may be the case with an aortic aneurysm, or where 

a stent-graft is theoretically designed to be narrower in its central section to prevent direct wall 

apposition with the native aorta, the intervening space will be filled with blood. If the stent-graft 

works as intended, this blood will not flow and will clot, forming a chronic thrombus, which is 

virtually incompressible [132], again removing any capacitive potential. The clinical scenario in 

which thrombus formation does not occur – so the space between the stent-graft and the aortic wall 

contains flowing blood – is considered a clinical failure termed endoleak, as it exposes the damaged 

aortic wall to ongoing pressurization and risk of rupture [133]. 

In this work, we present a novel, double-walled stent-graft (DWSG) design which aims to 

address the issue of aortic capacitance loss [134]. By introducing a permanent, compressible gas 

interface between the aortic wall and an inner compliant lumen, we intend to introduce a capacitive 

chamber that better resembles healthy aortic function. An early prototype of the design was 

evaluated through pressure measurements in static and pulsatile flow experiments. The results of 

these experiments were used to develop more accurate computational models of the design and to 

facilitate more thorough parameter optimization. 
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3.2 Device Design 

Figure 3.1 outlines the inputs and outputs to the models and experiments that were used to 

characterize the DWSG and its predicted effect on cardiovascular health. Details of the DWSG 

design, experimental methods, and computational models are described in the following sections. 

 
Figure 3.1: Proof-of-concept study flowchart. Flowchart depicting the procedure followed to 

characterize the DWSG and predict its performance. The sections of this paper that describe each 

method are denoted, when applicable. 

3.2.1 Design Concept 

The long-term objective of this investigation is to develop a new stent-graft design capable of 

maintaining or lowering blood pressure in patients requiring aortic repair. An implant designed to 

help control blood pressure could reduce patient dependence on antihypertensive medications and 

lower risk for subsequent cardiovascular events. The goal of the proposed design is to counteract 

high blood pressure by partially restoring fluid capacitance lost due to vascular stiffening and stent-

graft rigidity. One key requirement for the design is that it be an endovascular device, which would 

reside within the lumen of the native aorta. Based on this constraint, it is necessary that the 

capacitive function operate within a completely rigid aortic wall. To this end, we needed to 

investigate whether the aorta could tolerate some reduction in lumenal area, if the reduced area 

facilitated increased capacitance. Compared to the rest of the arterial system, the aorta has 

negligible flow resistance; if the lumen were reduced in diameter by a small percentage, we 

hypothesize that this area could be used to incorporate capacitance without introducing significant 

flow resistance. 
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Fluid capacitance 𝐶 is defined as the derivative of fluid volume stored in the lumen, 𝑉𝑙𝑢𝑚𝑒𝑛, 

with respect to lumen pressure, 𝑃𝑙𝑢𝑚𝑒𝑛 (Eq. 3.1) [135]. 

𝐶 =
𝑑𝑉𝑙𝑢𝑚𝑒𝑛
𝑑𝑃𝑙𝑢𝑚𝑒𝑛

                                                                       (3.1) 

If we assume the stent-graft will occupy a fixed length of the aorta, then the only way to vary 

the stored volume of fluid within that fixed length is to vary the lumen radius. Assuming a fixed 

outer wall, corresponding to the nearly rigid native aorta, or the rigid stent-graft that protects the 

injured aorta from cyclic loading, variable lumen radius can only be achieved by a compressible 

layer within the stent-graft.  

We propose a double-walled stent-graft (DWSG) design, which incorporates a compressible 

layer of carbon dioxide (CO2) gas between a stiff outer wall and a flexible, elastic inner wall (Fig. 

3.2A). The outer wall, like existing stent-grafts, holds the device in place and protects the diseased 

aortic wall from pressure-induced injury. The inner wall passively transmits the lumenal pressure 

to the contained gas, which consequently compresses during systole and expands during diastole. 

According to the Ideal Gas Law, a gas subjected to normal blood pressure levels (120/80 mmHg) 

should experience a roughly 5% volume change between systole and diastole (40 mmHg change in 

pressure versus approximately 860 mmHg absolute pressure); because the DWSG is targeted at 

patients with high blood pressure, a 5% volume change is a conservative estimate.  

The rationale for including a layer of CO2 gas within the device is that there must be some 

compressible material separating the two walls in order for the device to have capacitive behavior. 

If a liquid were used instead, then the inner elastic wall would not be able to expand due to the 

incompressible nature of liquid. If all material were evacuated from that space, a vacuum would 

form, causing the elastic wall to get pressed directly against the stiff, outer wall. Filling the space 

with a compressible gas is the most practical way to achieve local capacitance. Specifically, CO2 
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was chosen due to its ability to absorb safely into the bloodstream [136]. Any other biocompatible 

gas would be an adequate substitute. 

 
Figure 3.2: Double-walled stent-graft (DWSG) preliminary prototype. (A) Diagram of the 

DWSG design, with a stiff outer wall pushing radially outward against the aortic wall and a flexible 

inner wall containing a gas layer. (B) Photo of the DWSG prototype (15 cm length) used for the 

static and dynamic experiments. Latex tubes with different diameters and prestretches were used 

to achieve a range of inner wall properties. 

The primary variables of interest in the DWSG design are the amount of gas contained, the 

overall length of the device, and properties of the inner wall, including stiffness, thickness, and 

unloaded diameter. The properties of the outer wall are not critical to device function because this 

wall only serves as an anchor for the device, holding it fixed against the stiff aortic wall. As 

explained earlier, any compliance in the outer wall of the DWSG is overridden by the stiffness of 
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the aorta. In this study, the outer wall properties and the overall length of the device were kept 

constant, and the effects of the amount of gas and inner wall properties were evaluated. 

3.2.2 Initial Prototypes 

Prototypes of the DWSG (Fig. 3.2B) were built using stiff 2.54 cm (1") diameter PVC tubing 

for the outer wall and a thin latex tube (Penrose drain) with a diameter of 1.9 cm (3/4"), 2.22 cm 

(7/8"), or 2.54 cm (1"), for the inner wall. In addition to being inexpensive and readily available, 

PVC is nearly rigid under the loading conditions considered; thus, it represents the worst-case 

scenario in which the surrounding vessel wall and/or stent-graft wall offer no compliance, and all 

flow capacitance must come from compression of the gas layer. Devices were assembled by 

threading the latex tube through the lumen of the PVC tube and stretching either end of the latex 

tube around the outside of the PVC, creating a sealed space between the two layers. Prototypes 

were built with the latex tube prestretched to 5% and 50% to artificially create inner walls with 

different stiffnesses. The ends of the latex tube were anchored using PTFE tape and a layer of 

Parafilm (Sigma-Aldrich, Merck KGaA, Darmstadt, Germany) to secure the tape. A port in the wall 

of the PVC tube was connected to an external luer lock valve, which was used to add or remove 

gas from the space between the two tubes. Although CO2 would be the preferred gas in an in vivo 

device, tests were conducted using atmospheric air due to its similar mechanical behavior and 

ample availability.  

3.3 Experimental Methods 

Prototypes of the DWSG were tested in static inflation and in dynamic flow loop experiments. 

Through static inflation, the capacitance was measured and compared among different DWSG 

configurations, while changes in dynamic system pressure were observed for different prototypes 

in the flow loop experiments.  
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3.3.1 Static Inflation  

The capacitance of each DWSG prototype was calculated as defined by Equation 3.1. 

Prototypes were fabricated with a total length of approximately 18cm, but all tests were conducted 

with a standard length of 15cm by mounting each prototype within the same fixture that had 2.54 

cm (1”) diameter barbed hose connections with inlets spaced 15 cm apart. The fixture had caps on 

either end to create a closed system once the prototype was inserted. Two ports in the fixture were 

used for connection of (1) a syringe for addition and removal of fluid and (2) a pressure transducer 

(P55, Validyne Engineering, Northridge, CA) to record lumen pressure at each volume. All tests 

were conducted at room temperature. 

For a given test, the DWSG prototype was mounted in the fixture using hose clamps. A syringe 

was used to fill the prototype with a given gas charge, which was recorded as the gas volume at 

atmospheric pressure. The lumen of the closed system was evacuated of air and filled with water. 

The pressure sensor was used to ensure that the lumen pressure was ultimately returned to 

atmospheric level, which was set as a zero point. A syringe pump (KD Scientific, Holliston, MA) 

mounted with a 10mL syringe was used to add water to the lumen in 0.5 mL stepwise increments 

while the pressure was simultaneously recorded. Following 10 mL injection, or if lumen pressure 

approached the 300 mmHg limit of the pressure sensor, the pump was reversed to remove 0.5 mL 

increments of water until pressure returned to zero. This procedure was followed twice for each 

prototype for a total of four pressure measurements at each lumen volume. Measurements from the 

pressure sensor were collected with a Matlab script (Mathworks, Natick, MA) via a USB-connected 

DAQ (MicroDAQ, Contoocook, NH). A volume-pressure curve was constructed for each prototype, 

and capacitance was calculated as a function of lumen pressure by finding the slope between 

adjacent points.  

To estimate the flow resistance of the different DWSG prototypes, photos were taken down 

the lumen of the DWSG at each gas charge. The cross-sectional area of the lumen for each case 
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was measured by tracing it in ImageJ [137]. These estimates were used to calculate flow resistance 

with Poiseuille’s law, assuming constant cross section along the length of the prototype. We knew 

that the assumption of constant cross section would not be true in practice, but it provided a 

convenient and conservative (high) estimate of resistance. 

3.3.2 Flow Loop  

The goal of the flow loop experiments was to simulate implantation of the DWSG into the 

aorta to predict the effect of different configurations on blood pressure. The flow loop system (Fig. 

3.3) consisted of a pulsatile flow pump, a compliant arch, a fixture for DWSG prototypes, flexible 

tubing, a needle valve, and a storage reservoir. The only component of the system that changed 

between experiments was the prototype placed in the fixture. 

The pump (EnvivoPC, Maximum Fidelity Surgical Simulations) enabled control of the stroke 

volume and pulse rate. The compliant arch was constructed by painting layers of liquid latex onto 

a curved latex balloon base via a blotting technique (cf. [138]) to an approximate thickness of 3.8 

mm. The arch was circumferentially reinforced at four locations with vinyl tape to restrict 

expansion and maintain relatively low compliance. The compliance of the arch was not 

experimentally quantified, but it remained constant throughout all experiments and was estimated 

through the Windkessel model optimization, as described later in Section 3.4.2. The prototype 

fixture enforced a DWSG length of 15 cm as in the static inflation tests, and it was mounted in the 

flow loop at a position representing the descending thoracic aorta. A 2.54 cm (1”) diameter semi-

compliant tube (Clearflex 60 PVC) downstream of the prototype fixture represented the abdominal 

aorta, followed by a needle valve that was set to emulate the peripheral vascular resistance and to 

maintain physiologic pressure ranges in the DWSG. The outlet of the needle valve was connected 

to the reservoir that fed the pump, thus forming a closed loop. To maintain constant outlet pressure, 

the outlet drained above the fill level of the reservoir to open air. This required the outlet to be 
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elevated above the inlet, but the resulting hydrostatic pressure was measured and subtracted off in 

all reports of pressure.  

Flow rate was measured upstream of the arch with two flow-through meters (Gems Sensors, 

Plainville, CT) to capture the wide range of flow rates (0 to >100 mL/s) over each pump cycle. 

Pressure was measured at two locations in the system: directly upstream of the DWSG (Validyne) 

and upstream of the needle valve (Harvard Apparatus, Holliston, MA). Only measurements from 

the transducer upstream of the DWSG were used for the analyses in this paper.  

 

 
Figure 3.3: Experimental flow loop diagram. Diagram of the flow loop setup used for in vitro 

measurements of pressure change caused by the DWSG prototypes. The full model is designed to 

simulate the aorta and peripheral vasculature; the DWSG prototype is positioned in the descending 

thoracic aorta. 

Water was used as the working fluid in all experiments because viscous effects were not 

expected to have a major influence on the general behaviors observed for different DWSG 

prototypes. This expectation was reasonable based on the moderately high (~1000) average 

Reynolds number in the system, but some flow loop cases were duplicated with a high viscosity 

glycerol-water solution to verify that trends were consistent. The same trend in pulse pressure was 

found between the water and glycerol tests, but no discernable trend in peak pressure was found in 

the glycerol trials due to large variation in the mean pressure.  
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Both pressure transducers were zeroed at atmospheric pressure before connection to the flow 

loop, and lumen pressure was recorded with respect to the atmosphere. Measurements from the 

flow and pressure sensors were collected with a DAQ and MATLAB script as in the inflation 

experiments. Data collection was initiated for each trial after the pump had run at least 10 cycles at 

the current setting and was terminated after 30 seconds.  

Pressure upstream of the DWSG was analyzed to extract a maximum, minimum, and mean 

value for each cycle. Data from all cycles were averaged and combined with other trials of the same 

test condition. Pulse pressure, defined as the difference between maximum and minimum pressures, 

was also calculated. 

To evaluate the effect of the independent variables (gas charge, inner wall diameter, and inner 

wall prestretch) on pressure changes, normalized peak and pulse pressure data were both fit with 

linear models. The average pressure from each test condition was normalized against the zero-gas-

charge pressure for the same inner wall configuration; this process set all of the zero-gas-charge 

cases to zero and removed the effect of mean pressure variability caused by perturbations to the 

reservoir level. The linear models (Eq. 3.2) included non-interacting terms for gas charge 𝑉𝑔, ratio 

of inner wall to outer wall diameter 𝑑, and inner wall prestretch 𝜆, with respective coefficients 𝑐𝑉, 

𝑐𝑑, and 𝑐𝜆. An additional coefficient 𝑐0 specified the intercept for the equation.  

𝑃̂ = 𝑐0 + 𝑐𝑉 ∙ 𝑉𝑔 + 𝑐𝑑 ∙ 𝑑 + 𝑐𝜆 ∙ 𝜆                                                    (3.2) 

Equation 3.2 was used for both peak and pulse pressure models, so 𝑃̂ is a placeholder variable 

that could refer to either normalized peak pressure or normalized pulse pressure. Coefficients for 

each pressure measure were found using the lm() function in RStudio [139]. Each data point was 

weighted by the inverse of its variance. The P value for each coefficient being nonzero was found 

using a two-sided t-test, with the significance criterion set as 𝑝 < 0.05.  
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3.3.3 Experimental Design 

A total of 28 DWSG configurations were tested by varying inner wall diameter, inner wall 

prestretch, and gas charge (Table 3.1). These cases were compared to a rigid stent-graft case, in 

which zero gas charge was added to any of the DWSG prototypes. A smaller range of gas charges 

was tested when the inner wall prestretch was lower because the lumen became almost completely 

occluded at 60 mL gas charge, causing pressures to exceed measurable range. Flow loop 

experiments were conducted with the pump set to a stroke volume of 30 mL, with pulse rates of 40 

and 60 beats per minute. Two additional runs with the same pulse rates and a stroke volume of 15 

mL were conducted with zero gas charge to ensure that enough data were available for model 

optimization. The flow loop was modeled using a three-element Windkessel model, described 

below in Section 3.4.2. 

Table 3.1: DWSG configurations tested in static and flow loop experiments 

Inner wall 

diameter (cm) 

Prestretch 

(%) 

Gas charges  

(mL at P = 1 atm) 

1.91 (3/4”) 
5 10, 20, 30, 40, 50 

50 10, 20, 30, 40, 50, 60 

2.22 (7/8”) 
5 10, 20, 30, 40, 50 

50 10, 20, 30, 40, 50, 60 

2.54 (1”) 50 10, 20, 30, 40, 50, 60 

3.4  Computational Methods 

Two different computational models were developed to describe the DWSG and predict its 

effect on blood pressure. In both models, performance of the DWSG is expressed in terms of 

resistance and capacitance. 
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3.4.1 DWSG Finite Element Model 

An axisymmetric, quasistatic finite element (FE) model was developed to reproduce behavior 

observed in the static inflation experiments and to predict behavior for untested configurations. An 

axisymmetric model of the DWSG inner wall was created in Abaqus (Dassault Systèmes, Vélizy-

Villacoublay, France) using membrane-type elements to represent the thin latex tube. A mesh of 

the membrane with 200 elements was used for all computations. The outer wall was modeled as a 

fixed rigid boundary at a radius of 1.27 cm (½”). A prestretch condition was applied to the latex 

tube by holding one edge fixed and axially displacing the opposite edge by the appropriate distance. 

For tubes with a smaller radius than the outer wall, both edges were then displaced to a radius of 

1.27 cm to simulate stretching the tube around the outer wall. The edges were held in this position 

for subsequent steps, in which a series of pressures was applied to the outer face of the tube, 

representing inflation of the DWSG with different gas charges. To minimize computational cost, 

behavior of the confined gas was not considered in the FE model itself. Rather, the output of the 

model was the volume of the gas layer at different pressure differentials (𝑃𝑔𝑎𝑠 − 𝑃𝑙𝑢𝑚𝑒𝑛) based only 

on mechanical stresses in the inner wall (Fig. 3.4A). Since only the transmembrane pressure 

difference matters in constructing the curve in Fig. 4A, a family of 𝑃𝑔𝑎𝑠 − 𝑃𝑙𝑢𝑚𝑒𝑛 curves (solid 

lines in Fig. 3.4B) can be generated for different 𝑃𝑙𝑢𝑚𝑒𝑛 values simply by shifting the original curve. 

Additional information is available from the Ideal Gas Law (𝑃1𝑉1 = 𝑃2𝑉2 for an isothermal, closed 

system), allowing the generation of a second set of 𝑉𝑔𝑎𝑠 versus 𝑃𝑔𝑎𝑠 curves (dashed lines in Fig. 

3.4B). Thus, for a given 𝑃𝑙𝑢𝑚𝑒𝑛 and gas charge, the final configuration can be determined from the 

intersection of the two curves. 
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Figure 3.4: Calculation of DWSG capacitance. Workflow for calculating capacitance from the FE 

model, where (A) is an example curve due to inner wall deformation, and (B) shows that curve 

(solid lines) translated into gas volume versus pressure, with Ideal Gas Law curves (dashed) 

intersecting at points that give the true behavior of the DWSG system. In (C), those intersection 

points are plotted to show how the lumen volume changes with lumen pressure. The slope of this 

trend for a given gas charge is the DWSG capacitance. 

Next, a curve of 𝑉𝑙𝑢𝑚𝑒𝑛 versus 𝑃𝑙𝑢𝑚𝑒𝑛 was generated from the intersections in Fig. 3.4B at a 

series of 𝑃𝑙𝑢𝑚𝑒𝑛  values (Fig. 3.4C). The slope of this curve was calculated to specify the 

capacitance for that case. A different curve was generated for each gas charge, for each inner wall 

diameter, and for each prestretch level. 

The flow resistance, 𝑅, of the DWSG was estimated for Poiseuille flow by integrating the 

inner wall radius, 𝑟, over the total axial length of the device, 𝐿 (Eq. 3.3), 

𝑅 = ∫
8𝜇

𝜋𝑟4
𝑑𝑥

𝐿

0

                                                                       (3.3) 

where 𝑟 is a function of axial position 𝑥. The viscosity 𝜇 was set to 3.45 × 10−3𝑃𝑎 ∙ 𝑠 for 

blood to calculate physiologically relevant resistance values, although water was used for the 

experiments. 
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3.4.2 Windkessel Model 

The three-element Windkessel (Fig. 3.5A) [102] was first used to capture the behavior of the 

DWSG in the experimental flow loop system; then it was used with published parameter values for 

the arterial system to predict the effect of the DWSG on blood pressure in a patient. 

3.4.2.1 Flow Loop Model 

Because the flow loop system was built to mimic the human arterial system, it was reasonable 

to model it using the three-element Windkessel. We chose not to use the four-element Windkessel 

because it would provide only incremental improvement over the chosen model, and we wanted to 

minimize the number of parameters to estimate. One modification to the standard Windkessel was 

that the peripheral resistance 𝑅𝑃 had contribution from two sources (Eq. 3.4). 

𝑅𝑃 = 𝑅𝐷𝑊𝑆𝐺 + 𝑅𝑃
′ 𝑄                                                                 (3.4) 

The linear component 𝑅𝐷𝑊𝑆𝐺  accounted for the flow resistance introduced by the DWSG 

prototype, while 𝑅𝑃
′  represented the needle valve, for which the pressure drop followed orifice flow 

behavior and had a squared relationship with flow rate 𝑄. Note that the units of 𝑅𝑃
′  must be different 

from a normal resistor, to cancel the units of volumetric flow rate 𝑄. The experimentally measured 

flow rate from the flow loop, 𝑄(𝑡), was the input to the model (Fig. 3.5B), and the pressure drop 

across the system, 𝑃(𝑡), was the measured output. The model was evaluated in the frequency 

domain for the first 200 harmonics obtained when the flow rate was decomposed using a Fourier 

series (dashed curve, Fig. 3.5B) [140].  

Parameter optimization was first conducted for a “rigid stent-graft” case, where the DWSG 

prototype had zero gas charge (𝑅𝐷𝑊𝑆𝐺 = 0 in Eq. 3.4), so the inner wall was flush against the stiff 

outer wall. This case was used to find values for 𝑅𝐶, 𝐶0, and 𝑅𝑃
′ , where 𝑅𝐶 was resistance of the 

system upstream of the DWSG prototype and 𝐶0 represented capacitance of the elastic arch and 

other flexible tubing throughout the system. Parameters were determined using fminsearch() in 

Matlab by minimizing the error between pressure waveforms in the model and in the experiment 
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for a series of flow conditions. Half of the experiments were used to optimize the parameters, and 

the other half were used to assess the predictive capability of the model. 

 
Figure 3.5: Windkessel model and input flow rates. (A) Diagram of the three-element 

Windkessel model used to replicate flow loop measurements and predict physiologic behavior. P(t) 

is the pressure measurement across the system, Q(t) is the flow rate input, R_C is the characteristic 

impedance, C is capacitance, and R_P is the peripheral resistance. (B) Input flow rate Q(t) used in 

the Windkessel model for the flow loop. Solid line is the measured flow from the flow experiments, 

and the dashed line is the Fourier series representation of that curve, which was used in Windkessel 

calculations. (C) Input flow rate Q(t) used in the Windkessel model of the human arterial system 

[27]. Solid line is the flow reported in literature, and the dashed line is the Fourier series 

representation of that curve, which was used in Windkessel calculations. 

The optimization procedure was repeated for each nonzero gas charge, but now 𝑅𝐶, 𝐶0, and 

𝑅𝑃
′  were held fixed and values for 𝐶𝐷𝑊𝑆𝐺 and 𝑅𝐷𝑊𝑆𝐺 were estimated. The value of 𝐶𝐷𝑊𝑆𝐺, which 

represented capacitance of the DWSG prototype, was calculated by subtracting 𝐶0 from the total 

capacitance output by the optimization. These estimates were compared to the capacitance and 

resistance values from static measurements in Sections 3.3.1 and 3.3.2. We hypothesized that the 
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static capacitance calculation would overpredict the apparent dynamic capacitance because the 

DWSG gas layer would not have time to fully compress over the course of a single pump stroke 

before expanding again when the flow rate (and pressure) dropped. 

3.4.2.2 Arterial Model 

After we had completed the Windkessel parameter optimization for the flow loop experiment, 

the optimized DWSG parameters were used to make predictions about how the DWSG would affect 

blood pressure when implanted into a human aorta. These predictions were made for both a 

normotensive and a hypertensive patient, to assess whether the DWSG would have different impact 

depending on the condition of the patient’s arterial system. Characteristic impedance 𝑅𝐶  and 

peripheral resistance 𝑅𝑃 were set to values reported by Kind et al. [108] for normotensive and 

hypertensive patients.  

In order to divide capacitance 𝐶 into the contributions of different aortic regions, a literature 

search was conducted to find average length 𝐿𝑖, radius 𝑟𝑖, wall thickness ℎ𝑖, and stiffness 𝐸𝑖 for the 

ascending aorta and arch (𝑖 = 1), the descending aorta (𝑖 = 2), and the abdominal aorta (𝑖 = 3) 

[6,7,30,57]. The resistance 𝑅𝑖  of each segment was calculated using Eq. 3 and added to 𝑅𝑃 . 

Resistance of the aorta is negligible compared to the peripheral resistance, but we included it in the 

total resistance in order to observe the effect of DWSG resistance at high gas charge. The 

capacitance 𝐶𝑖 of each aortic segment was calculated using Eq. 5, which was derived from Law of 

Laplace for thin-walled pressure vessels. Poisson’s ratio 𝜈 = 0.5 was used under the assumption 

that the vessel wall is incompressible. Table 3.2 summarizes the aortic properties and the calculated 

capacitance and resistance. The normotensive case was developed using the aortic properties 

reported for people under 30 years of age, and the hypertensive case used properties for people over 

70 years. 

𝐶𝑖 =
(1 −

𝜈
2)𝜋𝑟𝑖

3𝐿𝑖

𝐸𝑖ℎ𝑖
                                                                   (3.5) 
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Table 3.2: Properties of the aorta found in literature [6,7,30,57]. These values were used to 

calculate Windkessel parameters for aortic resistance 𝑅 and capacitance 𝐶 . 

Regional Property Age < 30 yrs. Age > 70 yrs. 

A
S

C
E

N
D

IN
G

 

𝐿1  (cm) [57] 10.0 ± 0.7 13.1 ± 1.4 

𝑟1  (cm) [57] 1.38 ± 0.14 1.66 ± 0.21 

𝐸1   (kPa) [6] 13.5 100 

ℎ1   (cm) [30] 0.180 0.290 

𝐶1   (mL/mmHg) 3.40 0.649 

𝑅1   (mmHg·s/mL) 1.82 x 10 ‒ 4 1.14 x 10 ‒ 4 

D
E

S
C

E
N

D
IN

G
 𝐿2  (cm) [57] 13.9 ± 1.6 14.3 ± 1.3 

𝑟2  (cm) [57] 1.03 ± 0.08 1.21 ± 0.13 

𝐸2   (kPa) [6] 13.9 56.8 

ℎ2   (cm) [30] 0.176 0.215 

𝐶2   (mL/mmHg) 1.95 0.652 

𝑅2   (mmHg·s/mL) 8.14 x 10 ‒ 4 4.40 x 10 ‒ 4 

A
B

D
O

M
IN

A
L

 

𝐿3  (cm) [57] 15 15 

𝑟3  (cm) [57] 0.91 ± 0.07 1.07 ± 0.16 

𝐸3   (kPa) [7] 51 337 

ℎ3   (cm) [30] 0.114 0.192 

𝐶3   (mL/mmHg) 0.611 0.0892 

𝑅3   (mmHg·s/mL) 1.44 x 10 ‒ 4 7.54 x 10 ‒ 4 

 

The capacitance values found via Eq. 3.5 were much larger than those typically reported for 

use in an arterial Windkessel model. To resolve this inconsistency, the values in Table 3.2 were 

used only to find the relative contribution of each aortic segment to the total capacitance. After 

establishing these proportions, the actual capacitance attributed to each segment was given by the 

total capacitance reported in [108] multiplied by the appropriate proportion. 

Baseline blood pressures for the unstented cases were found by running the Windkessel model 

with literature values only [108]. Because the target location for the DWSG is the descending aorta, 

capacitance and resistance in this region were changed to simulate placement of different stent-

graft configurations. Placement of a rigid stent-graft was modeled by setting 𝐶2 = 0𝑚𝐿 𝑚𝑚𝐻𝑔⁄  

and leaving 𝑅2 unchanged. For each DWSG case, the capacitance values were taken from the 

average Windkessel fits from Section 3.4.2.1. Resistance measurements were taken from the FE 
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model (Section 3.4.1). A healthy aortic flow rate was used for 𝑄(𝑡) with a pulse rate of 55 beats 

per minute (Fig. 3.5C) [108]. The systolic, diastolic, and mean pressures were calculated for each 

simulation and were compared to the unstented and rigid stent-graft pressures. 

3.5  Summary of Results 

Section 3.6 reviews the capacitance and resistance of the DWSG, as determined by the static 

model and experiments, as well as the Windkessel optimization. In Section 3.7, dynamic behavior 

of the DWSG is first evaluated within the experimental flow loop, and then predictions about 

physiologic pressure changes are made by using the capacitance and resistance values in the 

Windkessel model.  

3.6  Characterizing the DWSG 

An example mesh from the FE model is shown in Figure 3.6A for a series of gas charges, at 

two different lumen pressures. At a given lumen pressure, a higher gas charge led to smaller lumen 

volume. When lumen pressure was increased, the lumen volume also increased, for a given gas 

charge. For each inner wall configuration, there was a positive gas charge that led to zero pressure 

differential between the gas and the lumen. Adding more gas led to a positive gauge pressure in the 

gas layer, while adding less gas led to a negative gauge pressure. No notable discontinuities arose 

in DWSG behavior when transitioning between negative and positive gauge pressures. 

3.6.1 DWSG Capacitance 

Pressure-volume relationships for each DWSG case were obtained from both the FE model 

and the inflation experiment. The capacitance for each case was estimated by taking the slope of 

the pressure-volume relationship for lumen pressures between 40 and 250 mmHg. Linearity was a 

reasonable approximation within these bounds for both the model (Fig. 3.6B) and experiment (Fig. 

3.6C), although both showed slightly sublinear behavior. Given that the FE model parameters were 

not adjusted to fit the experiments, the agreement between the model predictions (Fig. 3.6B) and 
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the experimental measurements (Fig. 3.6C) was quite good. The model could not be evaluated for 

all cases because buckling of the inner wall caused the model to fail; this behavior was observed 

most often with high gas charges. 

Another estimate of capacitance was obtained by fitting the flow loop experiments to a 

Windkessel model. Parameters of the system were obtained through an optimization routine that 

minimized error between Windkessel-predicted and experimentally measured pressure profiles 

when the rigid stent-graft was placed. DWSG resistance and capacitance were found by repeating 

the optimization for each case and subtracting off the values from the rigid case. This procedure 

assumed that both resistance and capacitance of the rigid stent-graft prototype were negligible, 

which was consistent with zero-gas measurements obtained with the other methods. 

Figure 3.7 compares capacitance measurements from the static FE model, the inflation 

experiments, and the Windkessel fit for each DWSG case. An increase in capacitance was observed 

with larger gas charge for all inner wall diameters at both prestretch levels. The three measurement 

techniques were in good agreement with each other. For all five cases (Fig. 3.7A-E), the FE model 

underpredicted the experimentally measured capacitance, possibly due to nonzero compliance of 

the outer wall in the prototypes used with the experiment. This discrepancy is clear when looking 

at the average capacitance over all inner wall configurations for each gas charge (Fig. 3.7F), where 

the FE model trends toward zero capacitance at zero gas charge, whereas a capacitance of 0.0081 

± 0.0085 mL/mmHg was measured for zero gas charge in the experiment. The method for 

calculating capacitance with the Windkessel model also led to zero capacitance at zero gas charge, 

so these values tend to align more with the FE model than the inflation experiment. 
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Figure 3.6: DWSG static finite element model. (A) Example FE model output for a range of gas 

charges at two lumenal pressures (0 and 100mmHg). The pressure-volume relationships for two 

gas charges are shown for the FE model (B) and the inflation experiment (C). Dashed lines show 

bounds on lumen pressure, between which the slope was measured. All panels show results for 

the 1.91cm (¾”) diameter inner wall, 50% prestretch DWSG case. 

For any given gas charge, there was very little difference in capacitance among the different 

inner wall configurations. The FE model showed some dependence on inner wall configuration at 

large gas charges, as seen by a wider confidence interval in the calculated average capacitance (Fig. 

3.7F); this dependence was not evident from the inflation or Windkessel methods. Overall, a linear 

relationship between gas charge and capacitance was apparent, especially at lower gas charges. 
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Figure 3.7: Capacitance measurements of the DWSG. (A-E) Capacitance of different DWSG 

cases, as measured by the FE model, the Windkessel model fit to flow experiments, and the 

inflation experiments. Rows separate inner wall diameters and columns separate inner wall 

prestretches. (F) Average capacitance over all cases for both model and experiment. All error bars 

show 95% CIs. 
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3.6.2 DWSG Resistance 

The flow resistance of each DWSG configuration was calculated using Equation 3.2, with 

radius measurements from the FE model and the prototypes. In cases where the inner wall of the 

prototype had buckled, the hydraulic diameter at the narrowest cross section was used in the 

equation. Figure 3.8A shows resistance measurements for the 1.91 cm (¾”) diameter, 50% 

prestretch inner wall case. There is good agreement between the model and prototype until the inner 

wall of the prototype has buckled at 50 mL gas charge, causing the resistance to spike. Figure 3.8B 

shows the profile of the DWSG inner wall for gas charges from 10 to 60 mL for the FE model and 

the inflation. The FE model did not predict that the inner wall would buckle until above 60 mL gas 

charge, but the premature buckling in the inflation could be explained by a natural crease present 

in the latex tubing that was used to construct the inner wall of the prototype. The crease is visible 

in Fig. 3.8B at 40 mL gas charge before full buckling has occurred at 50 mL charge. 

Resistance from the Windkessel fit was not comparable to the static measurements because 

the low viscosity of water (used in the flow experiments) caused the values to be extremely small 

(~10-12 mmHg·s/mL). Minor variability in the mean pressure in the flow loop, due to changing 

reservoir level between experiments, caused significant variation in the fitted resistance.  

3.7 Dynamic Behavior 

3.7.1 Flow Loop Measurements 

The effect of different DWSG configurations on dynamic pressure was measured in an in vitro 

flow loop. Although multiple flow rates were tested to conduct Windkessel optimization, only the 

60 beats/minute, 30 mL stroke volume flow case was used when reporting pressure changes. Figure 

3.9A shows an example pressure profile from the flow loop measurements (solid line) and the 

corresponding fit achieved with the Windkessel model (dashed line). 

As gas charge was increased, peak pressure (Fig. 3.9B) and pulse pressure (Fig. 3.9C) both 

decreased. At 60 mL gas charge, an 8% reduction in peak pressure was observed with respect to 
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the rigid stent-graft case (Fig. 3.9D). Pulse pressure changed more significantly, with a 24% 

decrease compared to the rigid case (Fig. 3.9E). Different inner wall configurations for the DWSG 

appeared to have negligible effect on system pressure. This observation is consistent with the static 

results that showed the gas charge dominating the capacitance and resistance measurements. 

 
Figure 3.8: DWSG flow resistance. (A) Poiseuille resistance of the 1.91 cm (¾”) diameter, 50% 

prestretch inner wall DWSG case, calculated from the FE model and the prototype inflation. Photos 

of the prototype show the lumen cross section for 0 and 60 mL gas charges. (B) Comparison of 

cross-sectional profiles for the model and prototype from 10 to 60 mL gas charge (outside to inside). 

Each ring shows the position of the inner wall at a given gas charge, when a cross section is taken 

at the midpoint along the axial length. The thick outer ring represents zero gas charge, when the 

inner wall is flat against the outer wall. 

The normalized peak and pulse pressure data (Fig. 3.9D-E) were both fit to linear models of 

the form given in Equation 3.2. The coefficients and their corresponding P values are reported in 

Table 3.3. For both the peak and pulse pressure measures, the only variable with significant 
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contribution to the pressure change was gas charge. Normalized peak pressure exhibited a negative 

dependence on gas charge with 𝑐𝑉 = −0.134 ± 0.005 𝑚𝐿
−1 (mean ± SE), while normalized pulse 

pressure showed a stronger correlation with 𝑐𝑉 = −0.372 ± 0.013 𝑚𝐿
−1. The P value for both of 

these coefficients was well below the cutoff for significance. The coefficient for inner wall diameter 

𝑐𝑑  was significant in the pulse pressure model (𝑝 = 0.048 ), though the uncertainty in the 

coefficient value was quite large (𝑐𝑑 = −6.67 ± 3.22). 

Table 3.3: Coefficients for the linear models relating normalized peak and pulse pressures 

to design variables. Gas charge (𝑐𝑉), inner wall diameter (𝑐𝑑), and inner wall stretch (𝑐𝜆). Model 

intercept is given by 𝑐0. SE refers to the standard error. P values reported from a two-sided t test. 

 Coeff. Value ± SE P value 

Peak 

Pressure 

𝑐0 -0.322 ± 1.322 0.809 

𝑐𝑉  (1/𝑚𝐿) -0.134 ± 0.005 <2e-16 

𝑐𝑑  -1.115 ± 1.183 0.354 

𝑐𝜆 0.527 ± 0.559 0.354 

Pulse 

Pressure 

𝑐0 2.429 ± 3.448 0.487 

𝑐𝑉  (1/𝑚𝐿) -0.372 ± 0.013 <2e-16 

𝑐𝑑 -6.670 ± 3.219 0.048 

𝑐𝜆 1.038 ± 1.521 0.500 

 

3.7.2 Physiologic Predictions with the Windkessel Model 

The Windkessel model was evaluated to predict the effect of the DWSG versus a rigid stent-

graft when placed in the descending thoracic aorta of normotensive and hypertensive patient models. 

DWSG capacitance and resistance were defined using values from the FE model (Table 3.4). 

Because inner wall properties were not found to be significant, the average values for each gas 

charge were used in this model. Flow rate 𝑄(𝑡) was set to a physiologic signal, and the resulting 

pressure profiles from the rigid stent-graft case are shown in Fig. 3.10A. The hypertensive case had 

significantly higher pressures compared to the normotensive case for all gas charges. 
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Figure 3.9: Flow loop pressure measurements. (A) Example pressure wave measured from the 

flow loop (solid line), with the Windkessel fit for that measurement shown with a dashed line. The 

definitions for peak and pulse pressures are identified with arrows on the plot. (B) Peak pressure 

and (C) pulse pressure for each DWSG case as a function of gas charge; 95% CI shown for n=2. 

(D) Percent change in peak pressure and (E) pulse pressure; CI omitted from (D) and (E) for clarity. 
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Table 3.4: Capacitance and resistance measurements of the DWSG used for physiologic 

predictions in the Windkessel model. Capacitance values are taken from the Windkessel fit to 

flow loop data, and resistance values are from FE model measurements. Reported as mean ± 95% 

confidence interval. 

Gas Charge (mL) 
Capacitance 

(mL/mmHg) 

Resistance 

(x10-4 mmHg·s/mL) 

0 0 3.85 

10 0.0160 ± 0.0081 5.19 ± 0.14 

20 0.0236 ± 0.0066 7.34 ± 0.36 

30 0.0296 ± 0.0101 11.0 ± 1.4 

40 0.0346 ± 0.0089 19.0 ± 5.3 

50 0.0414 ± 0.0060 39 ± 16 

60 0.0472 ± 0.0172 86 ± 68 

 

Increasing gas charge always decreased both the peak and pulse pressure (Fig. 3.10B-C), but 

neither measure returned to the unstented value for even the largest gas charge (60 mL). Figure 

3.10D shows that a rigid stent-graft increased peak pressure by 25% in a hypertensive patient and 

10% in a normotensive patient, compared to the pressure in the unstented aorta. At maximum gas 

charge, this pressure increase compared to the unstented case was only 19% in the hypertensive 

patient, while the 10% increase persisted for the normotensive patient. The rigid stent-graft had a 

greater effect on pulse pressure (Fig. 3.10E) with 72% and 40% increases for the hypertensive and 

normotensive patients, respectively. The increase in pulse pressure reduced to 66% at 60 mL gas 

charge for the hypertensive patient, while it decreased to 35% for the normotensive patient. In Fig. 

3.10D, it appears that the normotensive patient would receive maximum benefit at 50 mL gas 

charge, with pressure increasing slightly for 60 mL. This result reminds us that a balance must be 

maintained between the benefit of increased capacitance and the cost of increased fluid resistance. 
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Figure 3.10: Windkessel pressure predictions. (A) Example pressure waves for hypertensive 

(solid line) and normotensive (dashed line) patients with a rigid stent-graft, as predicted by the 

Windkessel model with physiologic input parameters [27]. (B) Peak pressure and (C) pulse 

pressure for each DWSG gas charge, as predicted by the physiologic Windkessel model. The 

baseline pressure with no stent-graft is shown by the dashed line in both (B) and (C). Only the 

hypertensive case is shown for clarity, due to a large difference in pressure range compared to the 

normotensive case. Percent change in (D) peak pressure and (E) pulse pressure, compared to the 

unstented condition for both hypertensive (‘o’) and normotensive (‘x’) cases. 
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3.8  Discussion 

3.8.1 Double-walled Stent-graft (DWSG) Design 

We have created a double-walled aortic stent-graft design with the goal of addressing the issue 

of persistent high blood pressure in patients who receive standard, inextensible stent-grafts. The 

design leverages the compressibility of biocompatible gas to provide fluid capacitance to the 

arterial system without requiring the aorta itself to be distensible. Prototypes of the design were 

fabricated with PVC tubing for the stiff outer wall and latex tubing for the flexible inner wall. 

Different gas charges and inner wall diameters were compared. The impact of inner wall stiffness 

was also evaluated by prestretching the inner walls to different levels before mounting them in the 

prototype. These simplified prototype models were used to assess the pressure-reduction capability 

of the design and to identify which parameters had the greatest effect on this capability.  

This preliminary study served as a means to demonstrate that a small volume of gas could 

cause meaningful pressure reduction in a system with conditions comparable to in vivo. The DWSG 

prototypes were built to allow the amount of gas and the inner wall properties to be changed easily, 

while the outer wall remained unchanged as an essentially rigid boundary. Although standard stent-

grafts are not completely rigid, we used a rigid outer wall to isolate and quantify the effect of the 

gas compression in the DWSG prototypes. Any additional benefit from a more compliant outer 

wall would depend on compliance of the native aorta within which the device is placed. 

Results from this preliminary study have encouraged us to proceed with designing a more 

realistic DWSG prototype that can be tested within ex vivo cadaveric models and in animal models. 

Moving forward with development of the DWSG, we will need to address a handful of design 

challenges. The material selected for the inner wall must be highly impermeable to CO2, to prevent 

reduced performance of the DWSG due to gradual diffusion of the gas layer. The results of our 

preliminary work have shown that the mechanical properties of the inner wall have little effect on 

the behavior of the DWSG, as long as the wall is flexible enough to transmit lumenal pressure to 
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the gas. This finding means that the wall material can be optimized to minimize gas exchange. To 

further address the potential for gas leakage, the final design will incorporate several independent 

gas pockets, such that the gas layer resembles bubble wrap or closed-cell foam. Though this 

compartmentalization will reduce the amount of gas that can be contained for a given reduction in 

lumenal area, it will ensure that puncture or leakage from one region will not disable the entire 

system. Dynamic flow simulations will be conducted to find a configuration of gas pockets that 

causes the least flow disturbance. 

Another uncertainty is how the DWSG will be deployed percutaneously through a catheter of 

similar diameter to those used with current stent-graft systems. To crimp the DWSG to a small 

enough size, the gas will need to be added after deployment in the aorta. Strategies for remote 

inflation will be drawn from existing products such as the Nellix EndoVascular Aneurysm Sealing 

System [141] and other devices that are filled with fluid percutaneously and then disconnected from 

the filling system.  

3.8.2 DWSG Capacitance and Resistance 

The only design parameter in this study that was found to affect the DWSG capacitance 

significantly was the amount of gas loaded into the space between the inner and outer walls. As 

expected, a larger gas charge led to larger capacitance values but also higher flow resistance. The 

DWSG resistance remained several orders of magnitude below the resistance of the peripheral 

vasculature up to a charge of about 60 mL, at which point the inner wall of some of the prototypes 

had completely collapsed and would not allow sufficient flow to pass through. This behavior was 

more severe in cases where the inner wall was stretched to only 5%, indicating that stiffness of the 

inner wall material will be an important parameter to investigate further. The FE model, which 

successfully captured the behavior of the DWSG prototypes at gas charges up to 40mL, will be an 

important tool that can be used to further investigate the design space as it relates to capacitance 

and resistance measurements. 
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3.8.3 Pressure Reduction with the DWSG  

Flow loop testing and the Windkessel model both showed that the DWSG led to reduced 

pressure compared to a rigid stent-graft. Inner wall diameter and prestretch did not significantly 

affect this behavior, whereas both peak and pulse pressure decreased linearly with increased gas 

charge. This behavior was apparent in Figure 3.9B-E and was confirmed by analyzing the 

coefficients of a linear model. The increase in flow resistance caused by the narrowed lumen of the 

DWSG did not appear to affect pressure even at high gas charge in the flow loop, suggesting that 

the benefit of increased capacitance outweighs the adverse effect of decreased flow area. Although 

the flow loop was designed to mimic the arterial system, some limitations of this system were a 

simplified inflow waveform, nonlinear peripheral resistance, and use of water as a working fluid. 

Although these were limitations in the physical flow loop model, they did not apply to simulations 

done with the Windkessel model. One concern with using water for the dynamic experiments was 

that flow resistance from the narrowed DWSG lumen would be underpredicted in comparison to 

the physiologic case where higher viscosity blood would flow through the same area. In the 

Windkessel model, with the fluid given blood viscosity, we still observed a trend of decreasing 

peak and pulse pressures as gas charge increased. The magnitude of pressure reduction in the 

Windkessel model was attenuated compared to the experimental results; this attenuation could be 

explained if the pressure decrease from DWSG capacitance was being more strongly counteracted 

by the pressure increase due to DWSG resistance. 

The physiologic Windkessel model, with DWSG parameters set from the flow loop 

experiments, predicted a less substantial pressure reduction than was seen in the flow loop. This 

diminished effect could be explained by the higher fluid viscosity in this model, as described above, 

or by the significant compliance that the native arterial system has outside of the stented region. 

Consistent with that explanation, a simulated hypertensive patient saw greater benefit from the 

DWSG because the descending aorta contributed more to the overall capacitance and constituted a 
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greater loss when made rigid via stenting. In both the hypertensive and normotensive simulated 

patients, a 15 cm DWSG was not able to restore pressure to unstented values, but this was in a 

model with a compliant proximal aortic arch and a stented descending aortic segment. We suspect 

that for a patient with pathology resulting in significantly diminished native aortic compliance, 

approaching the characteristics of the rigid outer graft, the DWSG may show actual improvement 

in hemodynamics. It is worth noting that even a 10 mmHg reduction in systolic pressure has been 

shown to decrease the risk of cardiovascular disease by 20% [111].  

There is preliminary evidence that the DWSG could improve cardiovascular outcomes over 

standard stent-grafts, but our next step is to gain a deeper understanding of the hemodynamic effect 

that the DWSG has in patients with a range of aortic properties. We saw that the narrowed lumen 

of the DWSG introduced negligible flow resistance into the system, but local flow behavior 

(turbulence, stagnation zones, wall shear stress) at the DWSG-aorta interface could not be 

characterized through the methods in this study. Development of a fluid-structure interaction (FSI) 

model will give us the opportunity to evaluate different DWSG configurations in models with 

various physiologic flow conditions, vessel stiffnesses, and aortic geometries. A challenge with the 

FSI model is that the gas layer, contained by the flexible inner wall, introduces both another fluid 

phase and the need for membrane physics in the simulation. We are currently working to create a 

solid analog to capture the DWSG behavior to make the simulations less complex. With 

information from the present study and future hemodynamic analyses, we will be able to identify 

the patient parameters (including stent-graft location, vessel compliance, peripheral vascular 

resistance, etc.) that are best suited to benefit from the DWSG design.  
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Chapter 4 

Effect of the Double-Walled Stent-Graft on Pulse Wave 

Velocity  

 

Portions of the computational work in this chapter were previously presented at the 2020 Summer 

Biomechanics, Bioengineering, and Biotransport Conference. Portions of the experimental work 

were published in the proceedings for the 2020 Design of Medical Devices Conference [142]. 

 

4.1  Introduction 

The aorta, which provides the bulk of the arterial compliance, increases in stiffness by about 

40% in the thoracic region from age 40 to 60 years and continues to stiffen with aging [30]. Aortic 

stiffening contributes to major cardiovascular complications, including stroke, kidney failure, and 

heart failure [32,143]. In clinical practice, pulse wave velocity (PWV), measured by the time delay 

between pressure waveform measurements taken at two locations in the patient’s vasculature, is a 

well-established surrogate for estimation of arterial compliance [86,126]. Lower PWV is associated 

with a more compliant arterial system based on the Moens-Korteweg equation for wave speed in a 

compliant tube. Despite its predictive power and potential for noninvasive measurement via PWV, 

arterial stiffness is not typically monitored or directly treated in the United States [143]. 

In addition to stiffening due to age-related changes in aortic properties, the effective stiffness 

of the aorta increases when a stent-graft (SG) is placed. Aortic SGs are used to treat injuries such 

as aneurysm or dissection, but a growing body of research shows that they also lead to faster pulse 

wave propagation and increased systolic blood pressure [86–88]. It is likely that these changes are 

linked to the high rate of re-tears seen in patients who receive SG repair for aortic dissection, 
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especially because 50-75% of these patients have pre-existing hypertension prior to intervention 

[90,144]. 

In this work, we measured PWV in computer-simulated and experimental models of the aorta 

with a novel double-walled stent-graft (DWSG) [119] placed in the descending thoracic segment; 

the effect of the DWSG was evaluated by making the same measurements with a standard SG and 

an unstented aorta. The concept of the DWSG is that it restores compliance to the aorta through 

volume change of a compressible gas layer. The gas layer, contained by a thin, flexible membrane, 

lines the inner wall of a standard, stiff SG. Over the cardiac cycle, fluctuation in blood pressure 

causes the gas to compress and expand, providing the same benefit as dilation and contraction of a 

healthy vessel wall. Compared to a standard SG, the DWSG is expected to increase effective arterial 

compliance and lead to lower PWV measurements. Although the highly compressible gas in the 

DWSG will act to reduce overall wave speed, this effect may be counteracted by reflections due to 

the narrowed lumen of the DWSG, causing the apparent PWV to be higher than in the unstented 

aorta. We hypothesized that the DWSG would lower PWV compared to a rigid stent-graft, but that 

the resulting PWV would not be as low as in the unstented model.  

4.2  Computational Methods 

4.2.1  Computational Model 

A 2D axisymmetric finite-element model of the descending and abdominal aorta was developed 

in COMSOL Multiphysics (Fig. 4.1). For simplicity, the aorta was given a constant radius of 

13.6mm and wall thickness of 2mm. A fully coupled fluid-structure interaction (FSI) problem was 

set up, wherein movement of the blood would cause deformations in the vessel wall, and those 

deformations would likewise influence blood flow. The blood was modeled as a Newtonian fluid 

with dynamic viscosity of 3.5 𝑐𝑃 . The aortic wall was modeled as an isotropic Neo-Hookean 

material with Lamé parameter 𝜇 = 0.3 𝑀𝑃𝑎 and bulk modulus 𝜅 = 150 𝑀𝑃𝑎. Although the aorta 

is known to have orthotropic, nonlinear mechanical properties [145], the isotropic Neo-Hookean 
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model was deemed acceptable for comparisons between the unstented and stented in this study. 

The interface between the fluid and solid was solved using a fully coupled approach. 

4.2.2 Stent-graft Properties 

The DWSG consists of a standard SG as the outer wall, a flexible membrane as the inner wall, 

and a confined gas between the two walls. Incorporation of this full design into the FSI model 

would have introduced interaction with another fluid phase, making the problem computationally 

intractable with currently available tools. Instead, a solid material analog was modeled to represent 

the DWSG gas layer, such that the blood was the only fluid phase. The standard SG was modeled 

as a 15 cm long cylindrical tube with 0.9 mm wall thickness and linear elastic properties given by 

Pasta et al. [146] This SG model was also used in the DWSG, where it represented the outer wall 

of the DWSG. The solid analog of the gas layer was attached to the inner wall of the SG so that 

nodes at the interface were merged. 

To define the solid analog for the gas layer, the DWSG was first modeled separately in a static, 

axisymmetric domain with membrane elements to represent the flexible inner wall. The pressure-

volume behavior of the DWSG with a 40 mL gas charge (volume at atmospheric pressure and 20˚C) 

was obtained from this model. Next, the shape of the deformed membrane was imported into a 

second axisymmetric simulation, and the membrane was converted into a solid domain representing 

the DWSG gas layer (Fig. 4.3A). This solid domain was assigned the Storakers material model, 

which was originally developed to describe highly porous rubbers and foams [147,148]. Equation 

4.1 gives the strain energy density function 𝑊 for the Storakers model, 

𝑊 =∑
2𝜇𝑘

𝛼𝑘
2

𝑁

𝑘=1

[𝜆1
𝛼𝑘 + 𝜆2

𝛼𝑘 + 𝜆3
𝛼𝑘 − 3 +

1

𝛽𝑘
(𝐽
−𝛼𝑘𝛽𝑘−1)]                                 (4.1) 

where 𝜆𝑖 is the stretch in dimension 𝑖 (𝑖 = 1,2,3), 𝐽 = 𝜆1𝜆2𝜆3 is the volume ratio, and 𝛽𝑘, 𝛼𝑘, and 

shear modulus 𝜇𝑘 are material parameters. The parameters of the Storakers material were tuned to 

most closely match the pressure-volume behavior of the true DWSG system. Finally, the solid 
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geometry of the gas layer was imported into the FSI model, where it was placed in the descending 

thoracic aorta within the standard SG.  

 
Figure 4.1: FSI model configuration. Full axisymmetric model domain shown on the left, with the 

three variants of the model shown in the panels on the right. Each subsequent model builds on the 

previous one. 

4.2.3 Boundary Conditions 

A prescribed volumetric flow rate, reported by Cuomo et al. [30] for the descending aorta, was 

applied at the inlet of the model. A linear resistance of 1.75 mmHg ∙ s/mL was applied at the outlet, 

consistent with typical Windkessel representation of the peripheral vascular resistance [109]. The 

pressure downstream of the resistance was set to venous pressure of 5 mmHg. A nonslip boundary 

condition was enforced for the fluid at the wall. Both the fluid and solid meshes were fixed at the 

inlet and outlet. A linear spring foundation was applied to the outer wall of the solid domain, with 

a spring constant of 𝑘𝐴 = 1.3 𝑀𝑃𝑎/𝑚 and a viscous dampening coefficient of 𝑑𝐴 = 10 𝑘𝑃𝑎 ∙ 𝑠/𝑚 

[30]. Inlet and outlet conditions were ramped up over a period of 0.5 seconds to improve stability 

of the simulation. 
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4.2.4 Study Design 

The FSI model was run in three different configurations: (1) with the aorta only, (2) with a 

standard SG in the descending aorta, and (3) with the DWSG in the descending aorta. For each 

case, the simulation was run for 8 seconds of simulated time to allow the boundary conditions to 

ramp to full magnitude and then ensure that the system reached a steady periodic state. After the 

ramping interval, the system was evaluated at time increments of 0.005 seconds to facilitate precise 

measurement of the time delay between pressure waves at the inlet and outlet of the model. 

Measurements of PWV were taken by dividing the axial length of the model by the time delay in 

the foot of the pressure waves. Each 8 second simulation generated 5 steady state cycles, allowing 

the foot-to-foot time delay to be averaged over these five cycles. Similarly, the pulse pressure at 

the inlet of the system was calculated and averaged over the five cycles. Paired t-tests were 

conducted to compare PWV and pressure results between the standard SG and DWSG cases. 

4.3  Experimental Methods 

An experimental model of the arterial system was developed to facilitate measurement of 

PWV with (1) no SG, (2) a standard SG, and (3) the new DWSG prototype. PWV was measured 

for each case over a range of flow rates and system pressures to identify the relative performance 

of the DWSG across many conditions. To complete this study, the bulky PVC-based DWSG 

prototype used in Chapter 3 was refined for intralumenal placement in compliant tubing. 

4.3.1 Stent-graft Prototypes 

The DWSG fundamentally must consist of (1) a stiff outer tube that pushes against the vessel 

wall and (2) an inner pouch that houses several milliliters of gas and readily deforms with 

fluctuating arterial pressure. In the first DWSG prototype, the outer wall was constructed from a 

thick plastic tube, which readily supported the compressive load imposed by a prestretched elastic 

tube to form a sealed chamber for the gas layer. A more realistic outer wall, which must be very 
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thin and flexible to accommodate deployment in varied aortic anatomy, will have very low 

compressive stiffness and cannot be expected to support a stretched inner wall. Instead, the gas 

layer must be designed as an independent entity that applies minimal loading to the outer wall. For 

this study, a sheet of bubble wrap was employed as the gas layer (Fig. 4.2B-E). Although it did not 

provide optimal packing of gas over the given surface area, the bubble wrap offered reliable gas 

containment and enabled standardized production of duplicate prototypes. By measuring the 

dimensions of the individual bubbles, the total volume of gas at atmospheric pressure could be 

estimated. The 15 cm long devices with diameter of 2.54 cm (1”) were found to have approximately 

30 mL of contained gas. 

For the outer wall of the DWSG, polypropylene tubing with 0.1 mm wall thickness and 2.54 

cm inner diameter was used. The tubing was radially reinforced at both ends with crimped rings of 

steel wire (Fig. 4.2 B). The bubble wrap was placed along the inner wall of the polypropylene 

tubing and fixed in place with double-sided tape. The wire-reinforced polypropylene tubing without 

the bubble wrap represented the standard SG case. 

4.3.2 Flow Loop System 

The model was developed to resemble the aorta and its surrounding arterial vasculature, with 

the primary goal of having enough compliance to facilitate PWV calculations from foot-to-foot 

pressure time delay. To maximize the time delay between inlet and outlet pressures, the system 

consisted of a long segment of compliant tubing with pressure sensors mounted upstream and 

downstream (Validyne) (Fig. 4.2A). A pulsatile flow pump (EnvivoPC) delivered controlled flow 

profiles, which were measured with turbine flowmeters (Gems Sensors). A latex U-bend tube was 

mounted between the upstream pressure sensor and the long compliant tubing segment to minimize 

the footprint of the system while providing additional distance of compliant tubing between the 

pressure probes. A needle valve distal to the downstream pressure tap was tuned to represent the 

high-resistance peripheral vasculature. 
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Figure 4.2: Flow loop and DWSG prototype for PWV measurement. (A) Photo of flow loop with 

latex tubing in descending and abdominal aortic positions. (B) DWSG prototype used for this 

experiment. (C) View along axis of DWSG prototype with bubble wrap lining the inner wall. (D) 

Prototype “crimped down” with rubber bands for deployment into the flow loop. (E) Bubble wrap 

sheet used as gas layer in this prototype model, with measurements taken to approximate the total 

amount of gas in the bubbles. 

Two different materials were tested for the linear compliant tube representing the descending 

thoracic and abdominal aorta. A double layer of latex 2.54 cm (1”) diameter penrose drains was 

first chosen to match the stiffness of the aorta (~100 kPa), and the tubing was prestretched by 20% 

in the flow loop to mimic axial aortic prestretch [149]. After axial stretch, the penrose tubing 

spanned 40.6 cm (16”). This setup was used for a limited series of tests due to difficulty deploying 

the SG prototypes along the fragile, high-friction latex tubing walls. Both stent-graft models were 

deployed into the proximal penrose tubing by disconnecting the tubing from the PVC connector, 

manually collapsing and then re-expanding when in position (Fig. 4.2D), and then reattaching the 

tubing to the flow path. 
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The latex tubing was replaced with butyl rubber tubing of the same diameter and length for a 

more extensive series of tests. This tubing was harder and less tacky, leading to easier prototype 

deployment. However, it was about twice as stiff as the latex tubing, leading to supra-physiologic 

PWV measurements and smaller time delay between the pressure sensors. 

4.3.3 Study Design 

Each case (no stent-graft, rigid stent-graft, and DWSG) was tested at several different flow 

rates in order to collect data at different mean pressures without changing the system setup. Mean 

pressure was expected to affect PWV due to the nonlinear behavior of the materials. Pulse rate of 

the pulsatile flow was swept from 40 to 60 beats per minute, and stroke volume was swept from 15 

to 45 mL. The sequence of no SG, SG, and DWSG was randomized for each flow rate. After each 

system re-assembly, air was purged, and pressure was stabilized for at least 30 seconds before 

measurements were collected. Pressure and flow data were recorded via a DAQ with a sampling 

frequency of 25kHz for 20 seconds in each configuration. The time delay between pressure waves 

was found by manually marking the foot of each cycle and taking the average delay over all cycles. 

Photos of the system were taken to allow precise measurement of the path length between pressure 

sensors using the ImageJ software [137]. PWV was calculated as the path length divided by the 

time delay. The 95% confidence intervals for each PWV result were calculated by propagating the 

uncertainty of the time delay measurements. 

4.4  FSI Results 

4.4.1 Approximated DWSG Properties 

The membrane-gas model had a linear pressure-volume relationship, as dictated by the ideal 

gas law for an isothermal system. In order to match the pressure-volume behavior of the DWSG in 

a physiologic pressure range, the solid model needed to have a different zero-pressure geometry 

than the membrane-gas model. Specifically, to match the behavior of the 40 mL gas layer, the solid 
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model had a zero-pressure volume of 38.6 mL. Between 50-175 mmHg lumen pressure, a Storakers 

solid model (Eq. 4.1) matched the behavior of the gas layer very closely (Fig. 4.3B). This fit was 

achieved with 𝑁 = 2 and the parameters listed in Table 4.1. 

 
Figure 4.3: Approximating the DWSG gas layer as a solid. (A) Pictorial representation of the 

solid approximation. The combination of the gas volume and the thin wall containing the gas is 

instead modeled as a single solid volume to simplify the computational problem. (B) Comparison 

of pressure-volume behavior of the actual gas layer and the solid-analog model that uses a 

Storakers hyperelastic material model. 

Table 4.1: Storakers model parameters for the gas layer solid analog 

𝒌 Shear modulus, 𝝁𝒌  (kPa) Alpha parameter, 𝜶𝒌 Beta parameter, 𝜷𝒌 

1 72 40 0.12 

2 30 11 0.05 

4.4.2 Pulse Wave Velocity and Blood Pressure 

The PWV results for the three cases are shown in Fig. 4.4A. The horizontal dashed line at 

10 m/s denotes a threshold set by the European Society of Cardiology, above which a patient is 

said to have “altered aortic function” [150]. The unstented aorta exhibited PWV of 10.3 ± 0.3 m/s 

(mean ± 95% CI), which is slightly above the healthy threshold but well within the reported 

physiologic range for carotid-femoral PWV measurements (3.8 − 16.3 m/s) [26]. As predicted, 

PWV was higher with the standard SG, measuring 2.8 m/s faster than the unstented case, but still 
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within the normally reported range. The DWSG resulted in a PWV value between the unstented 

and standard SG, at 11.2 ± 0.2 m/s. A similar trend was seen in both the systolic and pulse 

pressure measurements (Fig. 4.4B) The unstented model had the lowest measurements for both 

pressure metrics, the standard SG had the highest, and the DWSG caused significant pressure 

reduction but maintained values above the unstented case. Uncertainty in the PWV measurements 

was the result of the simulation time step not consistently capturing the exact moment that the foot 

of each pressure wave occurs. The average time delay measured in the SG case was 0.033 seconds, 

which is less than an order of magnitude larger than the 0.005 second timestep. 

 
Figure 4.4: PWV and pressure FSI results. (A) Pulse wave velocity (PWV) measured across the 

aorta for the three different stent cases: no stent (no SG), standard stent-graft (SG), and the double-

walled stent-graft (DWSG). (B) Systolic and pulse pressure measurements for each of the cases. 

* denotes 𝑝 = 0.0009; ** denotes 𝑝 < 10−5 in paired two-tail t-test. Error bars in both panels show 

95% confidence interval for values measured over 5 simulated cycles. 

Representative images of the DWSG model results are shown in Figure 4.5. Between systole 

and diastole, the aortic wall upstream of the SG deformed visibly, whereas the stented region 

exhibited minimal motion. The blood velocity increased in the stented region due to the reduced 

diameter, and this constriction also caused large eddies to form at the device inlet after systole. 

Compression of the gas layer solid analog varied over the cardiac cycle, with a maximum volume 

reduction of 18% during systole in the elements closest to the vessel lumen. The heterogeneous 
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compression across the gas layer indicates that, although the Storakers model matches bulk gas 

layer behavior well, the solid analog does not achieve the complete pressure transmission that 

would be seen in an actual gas model. 

 
Figure 4.5: FSI flow field at DWSG inlet. Zoomed view of the axisymmetric model at the inlet of 

the DWSG. Blood pressure is shown through shading of the vessel lumen. Flow direction is shown 

with streamlines, which are colored to show velocity magnitude. Magnitude of gas layer 

compression is shown through shading of the solid analog. The same section of the model is shown 

during peak systole and diastole for comparison. Each measure – pressure, velocity, and 

compression – has a corresponding colorbar at the right of the figure. 

4.5  Flow Loop Results 

4.5.1 Pulse Wave Velocity 

Average PWV measured in the latex tubing system ranged between 9.5 − 13.4 m/s (Fig. 

4.6A,C), whereas in the butyl tubing the values were much higher, ranging between 15.4 −

25.8 m/s  (Fig. 4.6B,D). In both experimental models, the standard SG exhibited the highest 
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average PWV compared to the other two cases, with a value of 13.4 ± 3.4 m/s (mean ± 95% CI) 

in the latex tubing and 25.8 ± 7.7 m/s in the butyl tubing. In the latex system, PWV for the DWSG 

was not statistically different from the no-stent case. In contrast, the DWSG significantly reduced 

PWV compared to the no-stent case when placed in the butyl tubing, changing from 22.8 ±

12.8 m/s with no stent to 15.4 ± 6.2 m/s with the DWSG (𝑝 = 0.044). In both systems, the 

DWSG had significantly lower PWV than the standard SG. 

 PWV in the no-stent and DWSG cases followed nearly identical trends with mean pressure 

in the latex tubing system, though the mean pressure in the DWSG was always 2-5 mmHg higher 

for the five flow rates tested. This slight increase in pressure can be explained by the higher flow 

resistance posed by the narrowed DWSG lumen compared to the unstented tube. With increasing 

mean pressure, PWV in the latex system showed a slight downward trend for each of the cases. 

Although the standard SG exhibited a sharp decrease in PWV between mean pressures of 40 and 

50 mmHg, the uncertainty in these measurements was very high, making it unclear whether the 

trend may have any meaning. No such trends were apparent in the butyl system, which instead 

showed a slight increase in PWV for increasing mean pressure from 15 to 40 mmHg, at which point 

PWV appeared to be unaffected by mean pressure. These behaviors are representative of the tubing 

material characteristics – the latex tubing became slightly more compliant at higher pressures, while 

the butyl tubing maintained constant stiffness. 

4.5.2 Systolic Pressure 

In the latex system, systolic pressure rose linearly with mean pressure. The no-stent case 

exhibited the lowest systolic (Fig. 4.7A) until mean pressure exceeded 90 mmHg, at which point 

the DWSG line crossed below the no-stent line by about 1 mmHg. Because mean pressure was not 

precisely controlled, the points for the three different stent cases are not all taken at the same mean 

pressure, so it cannot be clearly concluded that the DWSG led to lower systolic pressure at these 
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higher mean pressures. The maximum difference in systolic pressure among the cases was observed 

at the lowest mean pressures; at the lowest pump setting, the no-stent case exhibited a systolic 

pressure of 52.9 mmHg, the standard SG showed 57.7 mmHg, and the DWSG showed 59.7 mmHg. 

The curves for the standard SG and the DWSG remained within 1 mmHg distance of each other 

across all mean pressures.  

In the butyl system, systolic pressure rose more steeply with mean pressure than in the latex 

system (Fig. 4.7B). There was no clear increase or decrease in systolic pressure with either the 

standard SG or the DWSG compared to the no-stent case. For each pump setting, systolic pressure 

across the three cases never differed by more than 1-2 mmHg, suggesting that the implanted devices 

did not have significant impact on the systolic pressure in this system. Pulse rate of the pump did 

not independently cause any measurable differences in the systolic pressure. 

4.5.3 Pulse Pressure 

Pulse pressure trends with mean pressure diverged in the two experimental systems; with 

increasing mean pressure, pulse pressure decreased in the latex system (Fig. 4.7C) while it 

increased in the butyl system (Fig. 4.7D). In the latex system, a steep decrease in pulse pressure 

was observed with increasing mean pressure from 40 to 65 mmHg. From 80 to 90 mmHg mean 

pressure, all three stent cases exhibited an uptick in pulse pressure. The no-stent curve remained 1 

to 6 mmHg below the other two curves across all mean pressures. Below 80 mmHg mean pressure, 

the DWSG maintained a pulse pressure slightly higher than the standard SG. At the highest pump 

setting, the DWSG reached a lower pulse pressure, less than 1 mmHg above the no-stent case and 

nearly 3 mmHg below the standard SG. Because Fig. 4.7A showed that systolic pressure in the 

latex system increased with mean pressure, the decrease in pulse pressure observed must be 

attributed to a substantial increase in diastolic pressure, especially for the lower mean pressure 

range where the pulse pressure drops significantly. This result is consistent with the conclusion 
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from Section 4.5.1 that the latex tubing decreases in stiffness, or becomes more compliant, at higher 

pressures. 

 
Figure 4.6: Flow loop PWV measurements. (A) Plot of pulse wave velocity as a function of mean 

lumenal pressure measured in the flow loop with no stent, a model stent-graft (SG), and the double-

walled stent-graft (DWSG) prototype placed into latex tubing. (B) PWV for the three SG cases in 

the flow loop with a butyl rubber tube. (C) Data summarized from panel A, comparing mean PWV 

for each SG case. (D) Data summarized from panel B, comparing mean PWV for each SG case. P 

values for paired two-tail t-tests between the DWSG and the other two cases are shown above the 

corresponding bars. Error bars represent 95% confidence intervals. Values for 𝑛  denote the 

number of cycles recorded in a given run, from which mean PWV and uncertainty were calculated. 
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Figure 4.7: Flow loop pressure measurements. Systolic pressure measurements in the latex 

system (A) and the butyl system (B) for the unstented, standard SG, and DWSG cases as a function 

of mean pressure. Connecting lines are excluded from (B) to improve visibility of overlapping points. 

Pulse pressure measurements in the latex (C) and butyl (D) systems also plotted for the three 

cases as function of mean pressure. Pump pulse rate is noted next to groups of lines in (D) due to 

the noticeable impact of this parameter on the pulse pressure values. The legend in panel (A) 

applies to all panels. 

Much like the systolic pressure results, the butyl system exhibited much steeper change in 

pulse pressure than the latex system across the sweep of mean pressures. Unlike the butyl systolic 

results, there was a clear difference in pulse pressure among the stent cases. For all pump settings, 

the standard SG maintained the highest pulse pressure compared to the DWSG and no-stent cases. 

The DWSG maintained pulse pressure measurements within 1 mmHg of the unstented case for all 
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runs above 30 mmHg mean pressure. The three pump settings below this threshold led to 

consistently higher pulse pressure in the DWSG compared to no-stent, though values still remained 

lower than in the standard SG. The pulse pressure measurements in the butyl system demonstrated 

dependence on the pump pulse rate, but no such dependence was observed for the systolic 

measurements or in the latex system. 

4.6  Discussion  

This work evaluated the effect of a novel double-walled stent-graft (DWSG) on the apparent 

stiffness of the aorta. PWV was measured in an FSI computational model of the descending and 

abdominal aorta and in two experimental flow loop models of the aorta. Comparisons were made 

among cases with no stent, a standard SG, and the DWSG. The standard SG resulted in the highest 

PWV across all models, supporting previous literature about the adverse effect SGs have on aortic 

stiffness [86–88]. The effective stiffness of the DWSG compared to no stent was inconsistent across 

the three model systems, indicating that this comparison is highly dependent on the stiffness of the 

native aorta. The DWSG lowered PWV beyond unstented values only in the butyl tubing system, 

which was about twice as stiff as a healthy aorta. In that same system, the DWSG also showed the 

least impact on pulse pressure, maintaining values in the same range as the unstented condition. 

This result supports our prediction that elderly patients, and others with a stiff aorta, will benefit 

most from placement of the DWSG.  

The FSI model of the DWSG contained 40 mL of gas, while the experimental prototypes could 

only be constructed with 30 mL. The smaller amount of gas in the experimental prototypes may 

have contributed to the higher pressure measurements, since we established in the previous chapter 

that systolic and pulse pressure reduction both increase with higher gas charge. Another limitation 

of the experimental prototypes was the irregular inner wall surface given by the individual bubbles 

of the bubble wrap protruding into the lumen. The inefficient storage of gas in the bubble wrap 

meant that it restricted the vessel lumen even more than the FSI-simulated DWSG that contained 
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10 mL more of gas. The next prototype iteration will require custom-fabricated gas layers to better 

control the amount, distribution, and pressurization of the contained gas. 

In this study, the DWSG was shown to reduce PWV, a surrogate measure for aortic stiffness, 

compared to a standard SG in both computational and experimental models. The observed change 

in PWV between the DWSG and SG cases ranged from 1.9 to 3.9 m/s in the physiologically 

accurate models. Studies on the effect of PWV on morbidity and mortality have shown that an 

increase in PWV by just 1 m/s can increase risk of cardiovascular events by 14% and all-cause 

mortality by 15% [35]. These statistics suggest that any improvement in PWV that the DWSG can 

provide over a standard device has the potential to greatly improve patient health and long-term 

survival.  
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Chapter 5 

Shape Optimization of the Double-Walled Stent-Graft 

Gas Layer 

 

5.1  Introduction 

Diseases of the aorta are responsible for over 10,000 deaths each year in the US [151]. These 

diseases are typically characterized by a local defect in the aortic wall that causes propagation of a 

partial-thickness tear (dissection) or abnormal radial dilation of the vessel (aneurysm), either of 

which puts the aorta at serious risk of rupture. A common treatment for these diseases is the 

endovascular placement of a stent-graft (SG) to reinforce the weakened aortic wall. The SG 

provides passive mechanical support to prevent the pulsatile pressure wave from further damaging 

the native tissue. Compared to open surgical repair, endovascular treatment offers a less invasive 

procedure with shorter recovery time [73,74]. 

Although current SGs offer good short-term outcomes, there is growing evidence that the 

compliance mismatch between SG and native vessel may contribute to complications including 

new aortic tears, persistent hypertension, and pseudoaneurysm [87,152,153]. All of these 

complications relate back to the fact that standard SGs increase the effective stiffness of the aorta 

[101,131,154–156]. When a normally compliant section of the aorta is covered by a high stiffness 

SG, that section of the vessel loses the ability to react to the dynamic pressure load driven by the 

heart. Loss in aortic compliance has been shown to have serious consequences, including increased 

systolic hypertension and increased risk of all-cause mortality [32,143]. 

Most prior work on reducing compliance loss due to stent-grafting has aimed to increase SG 

compliance by using a more compliant material or geometry for the graft wall [157–159]. The risk 

with this approach is that the lower stiffness graft will undergo greater deformation and increase 



78 

transmission of the blood pressure to the dissected aortic wall or aneurysm sac. If the SG is not 

shielding the damaged tissue from these forces, it is not fulfilling its intended purpose. We 

previously proposed a double-walled SG (DWSG) (Fig.5.1) that aims to restore compliance in the 

stented area without compromising the pressure-shielding behavior of current SGs [119]. The 

DWSG incorporates a thin layer of biocompatible gas along the inner wall of a standard, rigid stent-

graft. The gas layer changes volume in response to changing blood pressure in the aorta, mimicking 

the dilation and contraction of the healthy, unstented aortic wall. Increasing the amount of gas in 

the DWSG increases its distensibility but also reduces the available flow area in the aortic lumen, 

in turn potentially increasing the pressure required to push the blood through it. 

Numerous optimization studies have attempted to identify the ideal design for vascular stents 

with objectives focusing on mechanical quantities such as stent flexibility, stiffness, recoil, radial 

force, and maximum strain [160–165]. Less commonly, the objectives also include hemodynamic 

factors such as wall shear stress, flow velocity, velocity gradient, and vorticity [162,166,167]. 

Prioritization of mechanical factors over hemodynamics makes sense for optimization of low-

profile vascular implants, which are less likely to cause significant flow disruption than they are 

prone to mechanical failure or vessel damage. In contrast, shape optimization of the DWSG gas 

layer in the present study is focused on the tradeoff between hemodynamic disruption and device 

performance. Unlike standard low-profile devices, the DWSG derives its novel function from the 

“high-profile” gas layer. This distinct feature makes the hemodynamics a more relevant design 

factor than mechanical factors of the stent, which will be designed to uphold current best practices.  

Further complicating the design, the effect of the DWSG on hemodynamics depends on both the 

volume of the gas layer and the spatial distribution of that volume. In light of these challenges, 

advanced optimization strategies must be incorporated into the design process. 

Multiobjective optimization (MOO) is a powerful tool that enables agile exploration of a given 

design space to identify a set of solutions that best satisfies two or more competing objectives. 
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Evolutionary algorithms approach MOO by generating a population of individual solutions and 

allowing the fittest individuals to mutate and cross over to form subsequent generations [168]. The 

individuals that perform as well as, or better than, all other individuals with respect to the objectives 

are kept as “nondominated solutions”. After the specified number of evolutionary generations, the 

remaining nondominated solutions are said to belong to the set of Pareto-optimal solutions [169]. 

To efficiently investigate a diverse set of designs, objectives are typically evaluated through 

mathematical or computational models that simulate real-world loading and interactions. In the 

biomedical field, optimization studies with integrated computational models have been employed 

to balance thrust force versus temperature in surgical drill bits [170], to improve hemocompatibility 

of ventricular assist devices [171], and to tune strength, stiffness, cost, and biocompatibility of 

alloys for orthopedic implants [172]. 

We approached optimization of the gas layer shape through two independent MOO studies, 

which assessed changes to the 2D gas layer profile in planes aligned with and orthogonal to the 

direction of flow. Each profile was evaluated based on the amount of gas it stored versus its effect 

on simulated hemodynamic factors obtained through mathematical and computational fluid 

dynamics (CFD) models. 

5.2  Device Design 

The operating principle underlying the double-walled stent-graft (DWSG) design is that a 

compressible layer of biocompatible gas acts as a substitute for the compliance of the aortic wall 

in that region, which has been lost either due to age-related stiffening or due to intentional 

immobilization to protect the damaged wall from rupture (aneurysm, dissection, intramural 

hematoma). The outer wall of the device is a wire-reinforced stiff fabric, like a standard stent-graft, 

which ensures protection of the aortic wall. Lining the inner surface of the outer wall is a tubular 

pouch that holds the gas, forming a kind of cushion between the flowing blood and the stiff outer 
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stent-graft wall. The details of this gas layer – the shape, size, and modularity – are the primary 

topics of the present study. 

In a previous study, we demonstrated in an in vitro flow loop that peak and pulse pressures 

decreased linearly with increased quantity of gas added to DWSG prototypes [119]. This effect was 

inhibited only at high gas volumes (79% of the total lumen volume), when the restriction in blood 

flow area began to contribute significant resistance to the arterial circulation. Although there was 

no measurable effect on pressure until high gas volumes, it is likely that abnormal flow patterns 

had developed around the DWSG at lower gas volumes. A successful DWSG design will be one 

that balances the increase in compliance with the increase in flow disruption. Assuming that the 

design is restricted to a cylindrical outer shape, the profile of the gas layer can be adjusted in two 

planes (Fig. 5.1) to optimize performance. 

 
Figure 5.1: Diagram of DWSG profiles. Cross sectional cuts are taken in two different planes to 

show the longitudinal (A) and circumferential (B) profiles of the gas layer. The bold line in each 

profile represents the flexible membrane that forms the gas layer profile, and the gas itself is 

represented by the shaded region. 
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Initial prototypes of the DWSG utilized an elastic membrane to form the gas layer, meaning 

that pressure applied to the lumen of the device caused the membrane to deform and transfer the 

force to the gas. For the sake of biocompatibility and durability, the material containing the gas 

layer in the final DWSG product is more likely to be a stiff polymer membrane such as polyethylene 

terephthalate (PET) or nylon, which are used in products such as balloon catheters and intra-aortic 

balloon pumps. While this material should afford the DWSG a longer lifespan than a device made 

with highly compliant materials, the stiffness of the membrane necessitates a change in the 

geometry of the gas layer. In the initial design, most of the membrane wall exposed to blood flow 

was formed into a concave shape. If that concave wall is inextensible, it will not permit the 

contained gas any change in volume. This concept is best demonstrated through the example of a 

mylar balloon, which is much less compliant than its latex counterpart. If you apply pressure to the 

inflated (convex) balloon from the outside, the material buckles and the force works directly to 

compress the gas. If you pressurize the inside, however, where the walls inside are completely 

concave, all of the force puts the walls into tension and leads to very little expansion overall.  

A simple way to overcome the issue of concavity is to break the single, continuous gas layer 

into several discrete strips that run axially and repeat around the full circumference of the device 

(Fig. 5.1B). Not only does this discretization create a series of convex segments that can be easily 

compressed, but it also introduces redundancy into the system, such that failure of one single 

segment will not lead to complete loss in device compliance. The discretization could be applied 

axially as well, but with the primary blood flow direction being axial, it is more important to keep 

the wall in that direction smooth to minimize disruption to hemodynamics. Circumferential 

divisions alone accomplish the goal of creating convex surfaces, so only these designs will be 

explored. 
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5.3  Design Optimization Metrics 

To quantify the performance of various DWSG designs, it is necessary to identify specific 

parameters that characterize device compliance and flow disturbance. In the following sections, 

these parameters are introduced, and their acceptable ranges for this study are drawn from literature. 

5.3.1 Gas Volume 

The purpose of the DWSG is to increase fluid capacitance of the aorta through passive 

compression and expansion of the gas layer. We previously showed that capacitance of the DWSG 

increased linearly with increased gas volume, where the volume is defined when the gas is at 

atmospheric pressure [119]. This behavior was trivial to predict for static inflation of the device 

based on the ideal gas law, but it was found that the relationship held even in a pulsatile flow system. 

In the present study, we modeled the gas layer as a rigid wall and used the findings from our 

previous study to define capacitance of the gas layer as proportional to its volume. In other words, 

we aimed to maximize gas volume, which was assumed to be equivalent to maximizing DWSG 

capacitance. 

5.3.2 Flow Resistance 

While DWSG capacitance can easily be maximized by increasing the volume of the gas layer, 

this maximization is directly antagonized by increasing flow resistance, which eventually 

overwhelms any benefit gained from the capacitance. The unstented aorta contributes negligible 

flow resistance to the arterial system due to its large radius. Using Poiseuille’s law and published 

values for peripheral resistance in a Windkessel model [173], it can be estimated that the resistance 

of the aorta can be increased by 3 orders of magnitude before it would be expected to increase the 

arterial resistance by 1%. Though this seems like a generous buffer, resistance goes with the 

negative fourth power of radius, so it is important to constrain DWSG resistance to stay within a 
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reasonable range. For this study, designs were considered to be valid only if they maintained 

Poiseuille resistance below 22.2 g/cm4/s, or 1% of arterial resistance distal to the descending aorta. 

5.3.3 Time-Averaged Wall Shear Stress 

Wall shear stress (WSS) is widely recognized as a dominant factor driving the remodeling and 

signaling behaviors of endothelial cells lining the inner surface of the aorta and other vessels [174]. 

In addition to this impact, a few studies have suggested that non-physiological WSS values, high 

or low, along the wall of a stent-graft are predictive of thrombogenic risk, leading to stent-graft 

thrombosis or micro-embolism [175–178]. Time-averaged wall shear stress (TAWSS) is a 

convenient metric that summarizes the WSS felt by the lumen wall over the entire cardiac cycle. 

Low TAWSS ( < 4 dyn/cm2  [175]) is associated with flow stagnation and increased 

atherosclerosis, while high TAWSS (> 50 dyn/cm2 [179,180]) risks increased platelet activation. 

Both low and high TAWSS, measured along both the unstented and stented walls of the model, 

were considered in the optimization of the longitudinal profile. 

5.3.4 Oscillatory Shear Index 

TAWSS is a useful hemodynamic measure, but it only tells part of the story. Regions of the 

aorta or DWSG may exhibit physiologic TAWSS, but if the local direction of shear stress changes 

significantly over each cardiac cycle, those areas may still be predisposed to plaque formation and 

thrombosis [181,182]. Oscillatory shear index (OSI) is a quantitative measure of how much WSS 

varies from the average direction [183]. Ranging from 0 to 0.5, higher values of OSI indicate more 

cyclic deviation from the average WSS direction, or more oscillatory flow. Following Gallo et al. 

[16], we used OSIhigh > 0.25 as a threshold for high oscillatory flow at any point along the vessel 

or DWSG wall. Areas with a combination of high OSI and low TAWSS have been shown to 

correlate more strongly with atherosclerosis formation than those with only low TAWSS, making 

both parameters important to consider [184]. 
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5.3.5 Relative Residence Time 

A final flow metric considered in this study was the relative residence time (RRT). Originally 

proposed as a way to relate blood flow and endothelial cell permeability, RRT is positively 

correlated with the formation of atherosclerotic lesions [185]. Defined by Equation 5.1, RRT 

captures the risk of low and oscillatory flow in one measure by combining TAWSS and OSI. Given 

the thresholds for low TAWSS and high OSI defined in the previous two sections, a threshold for 

high RRT along the vessel or DWSG wall was set as RRThigh > 0.5cm2/dyn [175].  

𝑅𝑅𝑇 =
1

(1 − 2 ∙ 𝑂𝑆𝐼) ∙ 𝑇𝐴𝑊𝑆𝑆
                                                     (5.1) 

5.4  Device Models 

Optimization of the DWSG gas layer design was approached with two independent models – 

one to address the circumferential discretization of the gas layer and another to investigate different 

longitudinal profiles. Details of the models are given in the following sections. Because both 

optimization problems require similar variables, all variables associated with the longitudinal 

optimization are given the superscript “ ℓ ” and those for the circumferential discretization 

optimization are given superscript “𝑐”. 

5.4.1 Longitudinal Profile (Figure 5.2) 

5.4.1.1 Computational Domain 

A 3D axisymmetric model of the descending and abdominal aorta (Fig. 5.2A) was chosen to 

capture the effect of the DWSG on proximal and distal regions of the aorta without overburdening 

the computation with anatomical details that would add little information to the design comparison. 

The descending thoracic and abdominal aorta were modeled as a straight, tapered cylinder with the 

15 cm long DWSG positioned 10cm from the inlet (Fig. 5.2B). The aortic arch was omitted to 

reduce the size of the computational domain. To further facilitate rapid iteration of the CFD 
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simulation within the optimization, the vessel walls were treated as rigid. As explained in Section 

5.3.1, the known relationship between gas volume and capacitance in the DWSG allows us to 

predict the benefit of each design by measuring its volume. Volume of the gas was calculated as 

the difference between the volume of the unstented (cylindrical) lumen and the volume of the actual 

lumen in that region. 

 
Figure 5.2: CFD model for longitudinal profile optimization. (A) Diagram of the stented aorta, 

with a dashed box around the region included in the CFD model. (B) Annotated example of the 

CFD model domain, wherein the positions of Bezier control points 𝑐1  and 𝑐2  (D) are the only 

variables modified across different simulations. This model represents the lumen of the descending 

and abdominal aortic segments with the DWSG placed 10cm from the inlet. A prescribed periodic 

flow rate (C) is applied to the inlet, and a Windkessel model (E) is applied at the outlet. 
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5.4.1.2 Profile Parameterization 

The profile of the DWSG was defined by a third-degree Bézier curve. A third-degree Bézier 

curve is defined by four control points, two of which are coincident with the endpoints, which are 

fixed at (0, rmax) and (L, rmax) (Fig. 5.2D). The remaining two control points, 𝑐1 = (𝑥1, 𝑥2) and 

𝑐2 = (𝑥3, 𝑥4) supplied the design with four degrees of freedom, which were set as the four design 

variables 𝑥⃑ℓ  = {𝑥1, 𝑥2, 𝑥3, 𝑥4} for the optimization problem. This parameterization was chosen 

because it always produced a smooth profile with correct endpoint locations, while allowing the 

shape of the profile to vary significantly. The use of a higher degree Bézier curve was considered, 

but the majority of the shapes permitted by the extra degrees of freedom had undesirable inflections 

and concavity. 

5.4.1.3 Geometric Constraints 

Designs were primarily evaluated based on flow characteristics calculated through CFD 

simulations, but a few geometric constraints also were enforced to prevent bad designs from 

needlessly consuming computational time. Flow resistance for each design was calculated through 

trapezoid rule integration of the Poiseuille equation at 150 points along the axial direction. Profiles 

with resistance exceeding 22.2 g/cm4/s were thrown out as causing at least a 1% increase in total 

resistance. Volume of the DWSG lumen was calculated also using the trapezoid rule, and 

subsequently the gas volume was calculated. The gas volume was constrained to be a positive 

quantity not exceeding the volume of the bounding cylinder. The profile curve itself was 

constrained to lie within the bounding cylinder that represents the DWSG outer wall, so the gas 

layer could not have a radius larger than the vessel wall or extend axially above or below the outer 

wall. Self-intersection and concavity were prevented by constraining the z-values in the curve to 

increase monotonically. 
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5.4.1.4 Model Parameters and Boundary Conditions 

A periodic flow rate previously measured for the descending thoracic aorta was scaled to a 

rate of 60 beats per minute and applied to the inlet of the domain with a plug velocity profile (Fig. 

5.2C) [30]. At the outlet, a 1D Windkessel circuit condition was applied to represent the 

downstream peripheral vasculature (Fig. 5.2E), with pressure set to zero at the outlet of the circuit. 

Resistance and capacitance values were taken from Brown et al. [173]. The fluid was assigned 

density 1.06 g/cm3  and viscosity 4 cP  to represent blood. Initial lumen pressure was set to 

119,990 dyn/cm2 (90mmHg), a value that facilitated pressure convergence after 2 cycles.  

5.4.2 Circumferential Discretization (Figure 5.3) 

5.4.2.1 Domain 

The model for this study represents a cross-sectional cut taken perpendicular to the axis of the 

DWSG at its narrowest radius. In previous prototypes, the narrowest radius was always in the 

middle of the length, but this may not be true for new designs developed through optimization of 

the longitudinal profile. The outer wall of the domain was kept constant as a circle with unit radius, 

after it was found that results only changed with the ratio 𝑟𝑚𝑖𝑛/𝑟𝑚𝑎𝑥. The purpose of this model 

was to compare the performance of designs with different number and size of gas bubbles. 

 
Figure 5.3: Sequence for generation of 2D axial cross section models. The cross section is 

formed from a series of ellipses and used for the optimization of the circumferential gas layer 

discretization. This example depicts a model with 𝑛 = 12 divisions and ellipses with the long axis 

oriented radially. (A) Equally spaced points are generated along the lumen wall, (B) ellipses are 

generated with the short axis connecting adjacent points, (C) intersecting areas of the ellipses are 
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removed, forming a gas layer with minimum radius 𝑟𝑚𝑖𝑛 and maximum radius 𝑟𝑚𝑎𝑥. (D) Diagram of 

a single ellipse with the removed overlapping regions shown with dashed lines. 

5.4.2.2 Profile Parameterization 

Each gas bubble was defined as an ellipse with its axes oriented along the radial and 

circumferential directions of the circular outer wall (Fig. 5.3D). The two design parameters selected 

for this model were the inner radius 𝑟𝑚𝑖𝑛 and the number of gas layer segments 𝑛, such that the 

vector of design variables was 𝑥⃑𝑐 = {𝑛, 𝑟𝑚𝑖𝑛}. The selection of 𝑛 determined the spacing of the 

ellipses around the outer circle (Fig. 5.3A). A total of 𝑛 equally spaced points were identified on 

the circle, such that adjacent points defined one axis of an ellipse (Fig. 5.3B). If the distance 

between the adjacent points was greater than 𝑟𝑚𝑎𝑥 − 𝑟𝑚𝑖𝑛, then the circumferential direction was 

the major axis, otherwise the major axis was radially oriented. After all of the ellipses were 

generated, represented by (x, y) coordinates with the origin of the coordinate system located at the 

center of the bounding circle, points outside of the circle were removed so that only semi-ellipses 

remained. For sets of 𝑟𝑚𝑖𝑛 and 𝑛 that caused adjacent ellipses to intersect each other, points in these 

intersecting regions were removed (Fig. 5.3C).  

5.4.2.3 Geometric Constraints 

Creation of valid geometries using this method required 𝑛 ≥ 3  and 0 < 𝑟𝑚𝑖𝑛  ≤ 𝑟𝑚𝑎𝑥 . 

Additional constraints on the design variables were established to produce more data points within 

the desired design space. These constraints are discussed in Section 5.5.2.2. 

5.4.2.4 2D Performance Metrics 

The two-dimensional construction of this model necessitated the creation of surrogate 2D 

measurements for the flow resistance and gas volume, which were the two objectives for this study. 

The main geometric quantity used to calculate resistance with Poiseuille’s law is the radius. For 
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pipes with non-circular cross sections, like the present DWSG model, the hydraulic diameter 𝐷ℎ𝑦𝑑 

is calculated as a ratio of the lumen area 𝐴𝑙𝑢𝑚𝑒𝑛 and perimeter 𝑃𝑙𝑢𝑚𝑒𝑛 (Eq. 5.2). 

𝐷ℎ𝑦𝑑  =  
4 ∙ 𝐴𝑙𝑢𝑚𝑒𝑛
𝑃𝑙𝑢𝑚𝑒𝑛

                                                                (5.2) 

Because resistance scales with radius to the negative fourth power, the quantity 𝐷ℎ𝑦𝑑
−4  was used 

as the surrogate measure for flow resistance of the DWSG cross section. For gas volume, the area 

of the 2D gas-containing region was calculated. 

5.5  Optimization Setup 

5.5.1 Longitudinal Profile 

A multiobjective genetic algorithm formulation was used to evaluate longitudinal profiles of 

the DWSG gas layer. The optimizer iteratively guessed a set of design variables, the new geometry 

was modeled and meshed, and a CFD simulation was run with the new mesh to evaluate the design 

(Fig. 5.4). The output from this process was the pareto front identifying nondominated solutions to 

the design problem. 

5.5.1.1 Objectives 

Optimization of the longitudinal DWSG profile was posed as a multiobjective optimization 

(MOO) problem to allow for a posteriori decisions about the tradeoffs between the objectives. Two 

objectives were selected to reflect the two competing goals of (1) maximizing device capacitance 

and (2) minimizing flow disturbance. Both objectives, 𝑓1
ℓ(𝑥⃑ℓ) and 𝑓2

ℓ(𝑥⃑ℓ), were formulated as 

quantities to minimize with 𝑥⃑ representing the vector of design variables (Eqs. 5.3-5.4). 

 𝑓1
ℓ(𝑥⃑ℓ) =  𝑉𝑚𝑎𝑥  – 𝑉𝑔𝑎𝑠                                                               (5.3) 

𝑓2
ℓ(𝑥⃑ℓ) = 𝐴̂ℎ𝑖𝑔ℎ 𝑅𝑅𝑇 = 

𝐴𝑅𝑅𝑇≥𝑅𝑅𝑇ℎ𝑖𝑔ℎ
𝐴𝑡𝑜𝑡

                                                 (5.4) 
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Figure 5.4: Flowchart of optimization procedure for the longitudinal profile. Problem is 

initialized by defining objectives, constraints, and limits for design variables 𝑥⃑ℓ. With each new 𝑥⃑ℓ, 

the geometric constraints are assessed first. If the constraints are satisfied, subroutine B is 

conducted with the SimVascular API to generate the model and execute the CFD simulation. If 

geometric constraints are not satisfied, subroutine C decides how to assign artificial values to feed 

back to the optimizer. The real (B) or artificial (C) results are fed back into the genetic algorithm 

(GA) to inform the next 𝑥⃑ℓ until the program is complete. The dashed box (A) denotes the single 

function that is given to the GA to return evaluated objectives and constraints. 
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In 𝑓1
ℓ(𝑥⃑ℓ), gas volume 𝑉𝑔𝑎𝑠 is maximized by setting a target to minimize lumen volume, which 

is defined as the total unstented volume 𝑉𝑚𝑎𝑥 minus the gas layer volume. In 𝑓2
ℓ(𝑥⃑ℓ), RRT was 

selected as the hemodynamic parameter since it combines the effects of TAWSS and OSI. 

Following the previously defined threshold of RRThigh = 0.5 cm
2/dyn, this objective seeks to 

minimize fraction of the domain surface area 𝐴̂ℎ𝑖𝑔ℎ𝑅𝑅𝑇 that experiences an RRT at or above the 

threshold. While 𝑓1
ℓ naturally considers only the DWSG, 𝑓2

ℓ considers both the DWSG and the 

surrounding aortic wall. 

5.5.1.2 Constraints 

Several inequality and equality constraints were employed to improve the quality of designs 

obtained through the optimization. The majority of the constraints pertained to geometric 

limitations described in Section 2.3.1.2. One additional constraint disqualified designs that 

exhibited any areas with TAWSSmax > 50 dyn/cm
2, based on the risk of high shear thrombosis 

when instantaneous shear exceeds 5000𝑠−1  [179,180,186]. Constraints on the maximum and 

minimum values for 𝑥⃑ℓ were imposed as bounds on the values that the optimizer could guess. All 

inequality constraints were arranged such that the target is less than or equal to zero, to satisfy the 

format required by the optimization algorithm. A summary of the constraints is given in Table 5.1. 

Constraints pertaining to the Bézier curve are defined in terms of the (𝑟, 𝑧) coordinates of the curve, 

where 𝑟𝑚𝑎𝑥 is the vessel radius that defines the cylindrical outer wall of the DWSG, 𝐿𝑡𝑜𝑡 is the 

length of the DWSG, 𝑅𝑚𝑎𝑥 is the upper limit for flow resistance, and 𝑖 is an index that ranges from 

1 to 𝑁 to cycle over the elements in the 𝑟 and 𝑧 lists. 

5.5.1.3 Algorithm 

The NSGA-II elitist, non-dominated sorting algorithm was employed for this optimization 

problem due to its ability to handle non-convex pareto fronts and preserve diversity in the 

population [187]. The real-coded version of the algorithm was used, meaning that the optimization 
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was conducted with real, non-binary values. Relatively small population sizes were chosen for this 

study to promote diversity and faster convergence [188,189]. Another benefit to using a small 

population is that more generations of the algorithm could be completed in less computational time, 

which was an important consideration given the high cost of the CFD simulations. Three separate 

runs of the optimization were conducted –with populations of 5, 8, and 12 individuals, and the 

results from the three runs were combined to provide as many data as possible for design analysis. 

Table 5.1: List of constraints enforced for the 3D axisymmetric optimization. 𝑥1 through 𝑥4 

are the design variables 𝑥⃑ℓ that define the Bézier curve, 𝑟𝑚𝑎𝑥 – inner radius of the aorta in the 

stented region, 𝐿𝑡𝑜𝑡 – total length of the DWSG, (𝑟𝑖 , 𝑧𝑖) – coordinates along the Bézier curve, 𝑅𝑚𝑎𝑥 

– maximum allowable flow resistance, 𝑇𝐴𝑊𝑆𝑆𝑚𝑎𝑥 – maximum allowable TAWSS. 

Constraint  Description 

−0.5 ≤ 𝑥1, 𝑥2 ≤ 𝑟𝑚𝑎𝑥 𝑥1 and 𝑥2 both must lie between – 0.5 cm and 𝑟𝑚𝑎𝑥 

0 ≤ 𝑥3, 𝑥4 ≤ 𝐿𝑡𝑜𝑡 Values for both 𝑥3 and 𝑥4 must lie between 0 cm and 𝐿𝑡𝑜𝑡 

−min(𝑟) ≤ 0 Smallest radius must be positive 

max(𝑟) − 𝑟𝑚𝑎𝑥 ≤ 0 Largest radius must not exceed 𝑟𝑚𝑎𝑥 

−min(𝑧) ≤ 0 Smallest 𝑧 position must be positive 

max(𝑧) − 𝐿𝑡𝑜𝑡 ≤ 0 Largest 𝑧 position must not exceed 𝐿𝑡𝑜𝑡 

−min(𝑧𝑖+1– 𝑧𝑖) ≤ 0 𝑧 coordinates must increase monotonically 

𝑅–𝑅𝑚𝑎𝑥 ≤ 0 Resistance must not exceed 𝑅𝑚𝑎𝑥 

max(𝑇𝐴𝑊𝑆𝑆) − 𝑇𝐴𝑊𝑆𝑆𝑚𝑎𝑥 ≤ 0 The largest value of TAWSS must not exceed 𝑇𝐴𝑊𝑆𝑆𝑚𝑎𝑥 

𝑟(1) − 𝑟𝑚𝑎𝑥 = 0 First radius must be coincident with vessel wall 

𝑟(𝑁) − 𝑟𝑚𝑎𝑥 = 0 Final radius must be coincident with vessel wall 

𝑧(1) = 0 First 𝑧 position must be coincident with vessel wall 

𝑧(𝑁) − 𝐿𝑡𝑜𝑡 = 0 Final 𝑧 position must be coincident with vessel wall 

 

5.5.2 Circumferential Discretization 

Much like the longitudinal profile, the DWSG lateral profile was assessed via MOO (Fig. 5.5). 

Each set of design variables was used to generate a 2D profile, from which the objective functions 
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were directly evaluated without the use of any CFD simulations. The pareto front of optimal 

solutions was generated from this process. 

 
Figure 5.5: Flowchart of optimization procedure for the circumferential gas layer 

discretization. After initialization, the direct multisearch (DMS) algorithm guesses a new set of 

design variables 𝑥⃑𝑐. Objectives and constraints are evaluated, and the results inform the next guess. 

The loop is exited when the points on the pareto front are spread evenly and maximize the 

dominated hypervolume. 

5.5.2.1 Objectives 

The two objectives selected for this optimization problem represented the competing 

capacitance versus flow disturbance goals, both of which were computed using strictly geometric 

information (Eqs. 5.5 and 5.6). In Equation 5.5, gas volume is maximized through minimization of 

the 2D lumen cross section 𝐴𝑙𝑢𝑚𝑒𝑛 normalized by the total possible area 𝐴𝑡𝑜𝑡, given by the area of 

the circular outer wall. In Equation 6, normalized flow resistance is minimized through control of 

the hydraulic diameter 𝐷ℎ𝑦𝑑 (Eq. 5.2), which relates to resistance with 𝑅~1/𝐷ℎ𝑦𝑑
4 . 

𝑓1
𝑐(𝑥⃑𝑐) =

𝐴𝑙𝑢𝑚𝑒𝑛
𝐴𝑡𝑜𝑡

                                                                 (5.5) 
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𝑓2
𝑐(𝑥⃑𝑐) =

𝑅 − 𝑅𝑚𝑖𝑛
𝑅𝑚𝑖𝑛

= (
𝐷𝑚𝑎𝑥
4

𝐷ℎ𝑦𝑑
4 ) −  1                                               (5.6) 

5.5.2.2 Constraints 

The geometric constraints discussed in Section 5.4.2.3 were imposed as upper and lower 

bounds on the design variables 𝑛  and 𝑟𝑚𝑖𝑛 . Trial rounds of the optimization showed that the 

objective function values plateaued for values of 𝑛 > 30 (Fig. 5.6), so an upper bound of 30 gas 

layer segments was imposed to gather more data points within a meaningful range. An additional 

constraint was imposed, preventing 𝑓2
𝑐(𝑥⃑𝑐) from exceeding a value of 1000, which corresponds to 

the 1% change in total arterial resistance constraint imposed in the 3D optimization problem. It was 

also necessary to restrict 𝑛 to integer values, though this constraint had to be manually enforced 

after the optimization completed due to limitations of the chosen algorithm, as detailed in Section 

5.6.2. All constraints for this problem are summarized in Table 5.2. 

5.5.2.3 Algorithm 

A direct multisearch (DMS) approach was used for this optimization problem, which is the 

default MOO algorithm available in MATLAB (MathWorks) [190]. The constraints in Table 5.2 

were enforced as upper and lower bounds on the design variables, when applicable. The upper 

bound for 𝑓2
𝑐  was coded as a nonlinear constraint since it couldn’t be represented as a linear 

function of the design variables.  

Table 5.2: Constraints enforced for the 2D axial cross section optimization. 𝑛 – number of 

circumferential divisions in the gas layer, 𝑟𝑚𝑖𝑛 – smallest radius for a given gas layer profile, 𝑟𝑚𝑎𝑥 – 

inner radius of the aorta in the stented region, 𝑓2
𝑐 – objective function defined in Equation 5.6. 

Constraint  Description 

3 ≤ 𝑛 ≤ 30 The number of gas segments must be between 3 and 30 

0.25 ≤ 𝑟𝑚𝑖𝑛 ≤ 𝑟𝑚𝑎𝑥 The inner radius of the gas layer must be between 0.25 and 𝑟𝑚𝑎𝑥 

𝑓2
𝑐(𝑥⃑𝑐) − 1000 ≤ 0 Flow resistance must not increase more than 1000% from no stent 

𝑛 ∈ ℤ The number of gas segments can only take on integer values 
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Figure 5.6: Plot of decaying change in objectives for circumferential gas layer discretization. 

Objectives 𝑓1
𝑐(𝑥⃑𝑐) and 𝑓2

𝑐(𝑥⃑𝑐) both converge upon a steady value as the number of segments (𝑛) 

increases in the model. 

5.6  Implementation 

5.6.1 Longitudinal Profile 

The optimization routine was implemented through the Platypus package (Version 1.0.4) [191] 

in Python, with the objective functions evaluated through CFD simulations set up and run using the 

Simvascular Python application programming interface (API) [192]. The workflow is depicted in 

Figure 5.4. The problem was initialized with Platypus as having 4 design variables, 2 objectives, 

and 11 constraints. Bounds for the design variables were assigned, and the program was pointed to 

a single function (Fig. 5.4A) that returned the objectives and constraints for a given input vector 

𝑥⃑ℓ. Finally, the NSGA-II algorithm was specified, and the desired population size and number of 

iterations were assigned. For each of the population sizes, 500 iterations were run. 

During each iteration of the optimization, a value for 𝑥⃑ℓ  was passed to the function that 

computes objectives and constraints (Fig. 5.4A). Within that function, a Bézier curve is first 

computed using the bezier library [193], followed by calculation of geometric constraints. If any 

of the constraints are not satisfied, the function immediately returns artificial objective and 

constraint values without running the CFD simulation. The purpose of this short circuit is twofold: 
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(1) running CFD only for valid geometries saves valuable computational time, and (2) running CFD 

on invalid geometries could cause the code to crash or return erroneous results that appear to satisfy 

the objectives, biasing the optimizer toward those bad variables. One downside of this approach is 

that the function must return false values for the objectives and constraints that were not calculated. 

Values used for one objective ( 𝐴̂ℎ𝑖𝑔ℎ 𝑅𝑅𝑇 ) and one constraint (max(𝑇𝐴𝑊𝑆𝑆) ) are normally 

obtained from the CFD result. Depending on which geometric constraints were violated, it could 

be determined whether the attempted shape was too narrow (high flow resistance), too wide 

(exceeding 𝑟𝑚𝑎𝑥 ), or too irregular (nonmonotonic 𝑧 values). Each of these cases was assigned 

artificial outputs to match the expected outcome (Fig. 5.4C, Table 5.3). This method provided the 

optimizer more accurate information than if a single set of values were returned for any case with 

unsatisfied constraints. 

Table 5.3: Artificial optimization results for unmet constraints. Matrix used to generate artificial 

results for the 3D axisymmetric optimization problem when the given design variables did not satisfy 

all geometric constraints. Depending on which constraints were not met, either high or low values 

for area with high relative residence time, 𝐴𝑅𝑅𝑇, and maximum time-averaged wall shear stress, 

max (𝑇𝐴𝑊𝑆𝑆), were returned to the optimizer. The 𝑟𝑎𝑛𝑑𝑜𝑚(low, high) function returns a random 

value within the specified range. 

Unsatisfied Constraint(s) Artificial 𝑨𝑹𝑹𝑻 Artificial 𝒎𝒂𝒙(𝑻𝑨𝑾𝑺𝑺) 

min(𝑟) < 0  or  𝑅 > 𝑅𝑚𝑎𝑥 𝑟𝑎𝑛𝑑𝑜𝑚(0.2, 0.25) 𝑇𝐴𝑊𝑆𝑆𝑚𝑎𝑥 + 𝑟𝑎𝑛𝑑𝑜𝑚(10,20) 

max(𝑟) > 𝑟𝑚𝑎𝑥  𝑟𝑎𝑛𝑑𝑜𝑚(0.6, 0.7) 𝑇𝐴𝑊𝑆𝑆𝑚𝑎𝑥 − 𝑟𝑎𝑛𝑑𝑜𝑚(10,20) 

min(𝑧) < 0, max(𝑧) > 𝐿𝑡𝑜𝑡 ,

or  min(𝑧𝑖+1– 𝑧𝑖) < 0  

𝑟𝑎𝑛𝑑𝑜𝑚(0.6, 0.7) 

 

𝑇𝐴𝑊𝑆𝑆𝑚𝑎𝑥 − 𝑟𝑎𝑛𝑑𝑜𝑚(10,20) 

 

For 𝑥⃑ℓ values that satisfied the geometric constraints, commands from the Python API were 

executed to create contour groups for the new simulation domain and subsequently generate a 

tetrahedral mesh [194] (Fig. 5.4B). To handle failure of mesh generation, the program would 

attempt to create a mesh from a series of three different parameters sets loaded from text files 
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(Table 5.4). If all three attempts fail, the function returns high artificial values for the uncalculated 

objective and constraint to enable the next 𝑥⃑ℓ guess.  

Table 5.4: Mesh parameters used for each 3D axisymmetric model. If parameters from Attempt 

#1 failed to generate a valid mesh, meshing would be re-attempted with the next set. 

Mesh Parameter Attempt #1 Attempt #2 Attempt #3 

Edge Size (cm) 0.3 0.3 0.25 

Number of boundary layers 5 4 5 

Boundary layer size (fraction of edge size) 0.25 0.25 0.324 

Ratio of boundary layer size decrease 0.8 0.8 0.8 

 

Following successful mesh generation, simulation files were created, and the CFD problem 

was solved using SimVascular’s svSolver [195]. Simulations were run for 300 time steps of 0.01 

seconds each to collect data for three cardiac cycles. Only values from the final cycle were used to 

calculate results. Default solver parameters were used, aside from the tolerance and maximum 

number of iterations for the solver, momentum, and continuity loops, which were adjusted 

according to the SimVascular documentation to improve convergence given the unsteady flow 

(Table 5.5) [196].  

After each iteration, all simulation results were saved to a file along with the design variables, 

mesh parameters, and evaluated constraints. The optimizer continued to test design variables and 

create new generations of individuals until the maximum number of iterations was reached. Upon 

completion, the design variables and evaluated objectives comprising the pareto front were saved 

in a separate file.  

Evaluated objectives from both optimization runs were combined into a single dataset, and the 

resulting pareto front was extracted using the paretoFront() function in MATLAB [197]. For most 

analyses, all objective values and other performance metrics were normalized by values obtained 

for the unstented domain, for which the geometry was defined by 𝑐1 = 𝑐0 and 𝑐2 = 𝑐3 (Fig. 5.2D). 
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Five designs were sampled from across the pareto front, and the CFD simulations were re-run so 

the flow fields could be visualized. These designs were compared using the metrics of 

max(𝑇𝐴𝑊𝑆𝑆), area fraction with high OSI (𝐴̂ℎ𝑖𝑔ℎ 𝑂𝑆𝐼), resistance 𝑅, and area fraction with low 

TAWSS (𝐴̂𝑙𝑜𝑤 𝑇𝐴𝑊𝑆𝑆). These metrics, and the objectives, were evaluated both over the full domain 

(denoted with no subscript) and separately in each region, denoted as proximal to the DWSG 

〈∙〉𝑝𝑟𝑜𝑥, within the DWSG 〈∙〉𝐷𝑊𝑆𝐺, and distal to the DWSG 〈∙〉𝑑𝑖𝑠𝑡.  

Table 5.5: Parameters used to run CFD simulations with SimVascular’s svSolver. Description 

of parameters can be found at [196]. NS stands for Navier-Stokes. 

svSolver Parameter Value 

Step Construction 8 

Backflow Stabilization Coefficient 0.2 

Residual Criteria 0.0001 

Minimum Required Iterations 3 

Tolerance on Momentum Equations 0.0001 

Tolerance on Continuity Equations 0.0001 

Tolerance on NS Solver 0.0001 

Maximum Number of Iterations for NS Solver 8 

Maximum Number of Iterations for Momentum Loop 15 

Maximum Number of Iterations for Continuity Loop 400 

 

5.6.2 Circumferential Discretization 

This optimization study was run using the paretosearch() function in MATLAB. Objective 

functions and constraints were evaluated with two separate MATLAB functions, which were both 

given as inputs to the paretosearch() function. The upper and lower bounds for the two design 

variables were given to the function as separate arrays. The “ParetoSetSize” option was set to 800, 

meaning that the program began with 800 random sets of design variables within the prescribed 

bounds and ultimately terminated with 800 points on the pareto front. During each iteration, the 
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design variables 𝑥⃑𝑐 were used to generate a 2D profile of the DWSG gas layer via the procedure 

described in Section 5.4.2.2. The 𝑓2
𝑐 ≤ 1000 constraint was evaluated to determine validity of the 

design variables. If the constraint was satisfied, both objective functions were evaluated and 

returned to the optimizer. If the constraint was not satisfied, the optimizer assigned an infinite 

penalty to those variables and moved on to a new set of design variables. This process repeated 

until the stopping criteria – adequate spacing of solutions (spread) and maximum possible 

distribution range (volume) – were satisfied [190,198]. 

Because the design variable 𝑛  must be an integer whereas the design variable 𝑟𝑚𝑖𝑛  is 

continuous, this problem is classified as mixed-integer optimization. The paretosearch() function 

cannot directly handle mixed-integer optimization, so postprocessing was done to reduce the results 

into valid solutions. During the optimization, the optimizer’s non-integer guesses for 𝑛  were 

rounded down to the nearest integer value before being passed to the function that generates the 2D 

profiles. When the optimization finished, the same rounding procedure was applied to the 𝑛 that 

formed the pareto front solutions, and then duplicate solutions were removed. By solving for 800 

points on the pareto front, this reduction process ultimately yielded 315 valid points. 

5.7  Results  

5.7.1 Longitudinal Profile 

5.7.1.1 Evaluated Objective Space  

The set of all objective evaluations that satisfied the constraints for optimization of the 

longitudinal gas layer profile is shown in Fig. 5.7A. Each point on the plot represents a CFD 

simulation run with a different profile. The optimization case with a starting population of 5 

individuals performed the best, generating points that minimized both objectives far better than the 

other two population sizes. The nondominated pareto front of solutions is marked in Fig. 5.7B. 

Although only three points strictly met the criteria for the pareto front, resolution of the meshes 
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used to solve the CFD is not fine enough to distinguish between variability of less than 1 mL lumen 

volume, making all points near the pareto front worth considering. 

 
Figure 5.7: Optimization results for the longitudinal profile. (A) All valid simulation results are 

plotted against the two optimization objectives. The points are marked based on the population size 

for the genetic algorithm through which they were generated. The star (point 1) marks the results 

from the unstented model, which was run separately from the optimization. The dashed box 

identifies the area of greatest interest, where both of the objectives are best minimized. (B) Zoomed 

in view of the boxed area from (A), with the nondominated solutions (points 3-5) shaded darker. 

The numbered points correspond to simulations analyzed in greater detail in Fig. 5.10. 

To confirm that minimization of 𝐴̂ℎ𝑖𝑔ℎ 𝑅𝑅𝑇 was an effective way to minimize both 𝐴̂𝑙𝑜𝑤 𝑇𝐴𝑊𝑆𝑆 

and 𝐴̂ℎ𝑖𝑔ℎ 𝑂𝑆𝐼 with a single objective, the trends of the latter two variables were overlaid onto the 

evaluated objective space. For this analysis, all variables were normalized against the values for 

the unstented simulation, which may be considered as the ideal hemodynamic conditions. In Fig. 

5.8A, 𝐴̂𝑙𝑜𝑤 𝑇𝐴𝑊𝑆𝑆 is shown to decrease with decreased 𝐴̂ℎ𝑖𝑔ℎ 𝑅𝑅𝑇. The top right corner of the plot 

(where normalized objectives are both unity) represents the unstented case, which had overall the 

worst objective evaluations and also the highest area with low TAWSS. This result is consistent 

with the fact that any stent design will cause some lumen restriction, leading to higher velocities in 

the stented region and overall fewer areas with low WSS. Fig. 5.8B shows a similar behavior for 

𝐴̂ℎ𝑖𝑔ℎ 𝑂𝑆𝐼, though the magnitude of variation in this value is much smaller. Low TAWSS area had 
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a 60% reduction from worst to best objective values, whereas high OSI area achieved only about a 

35% reduction. Neither 𝐴̂𝑙𝑜𝑤 𝑇𝐴𝑊𝑆𝑆  nor 𝐴̂ℎ𝑖𝑔ℎ 𝑂𝑆𝐼  demonstrated strong dependence on lumen 

volume, supporting the independence of the two chosen objectives. 

 
Figure 5.8: Map of RRT constituent parameters onto the normalized objective space. (A) All 

valid simulation results are plotted against the two objective functions normalized by values from 

the unstented aorta. Shading of the points shows the normalized area ratio with low TAWSS. (B) 

Simulation results on the same normalized axes as (A), but with shading showing the normalized 

area ratio with high OSI. Both panels refer to the colorbar on the right of the figure.  

Whereas areas with low TAWSS, high OSI, and high RRT were all reduced compared to the 

unstented case, both max(𝑇𝐴𝑊𝑆𝑆)  (Fig. 5.9A) and flow resistance (Fig. 5.9B) increased as 

lumenal area decreased. The solutions that best minimized the objectives exhibited a maximum 

TAWSS 1.7 times higher than the unstented value of 29.2 dyn/cm2, which led to values just below 

the upper bound constraint of 50 dyn/cm2. The most optimal designs also exhibited the highest 

resistance with values nearly 7 times higher than the unstented case, but even the highest resistance 

values reached only 5 g/cm4/s, well below the upper bound constraint of 22.2 g/cm4/s. These 

findings indicate that if the upper TAWSS threshold were relaxed, additional designs that further 

minimized both objectives would be found. 
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Figure 5.9: Map of additional hemodynamic parameters onto the normalized objective space. 

(A) All valid simulation results are plotted against the two objective functions normalized by values 

from the unstented aorta. Shading of the points shows the normalized maximum TAWSS. (B) 

Simulation results on the same normalized axes as (A), but with shading showing the normalized 

flow resistance. Note that the two panels have different colorbar scales. 

5.7.1.2 Pareto Front – Flow Field 

To compare differences among the different designs found on or near the pareto front, four 

designs ( Designs 2-5, marked in Fig. 5.7B) were analyzed in greater detail. Each of the designs 

were similar in appearance, with the defining characteristic being a gradual radius change at the 

inlet of the stent followed by a slightly steeper gradient toward the outlet. The velocity and pressure 

profiles for the different designs, and for the unstented model (labeled Design 1), are compared in 

Figure 5.10 during both peak systole and end-diastole. There weren’t any visible differences in 

flow during systole among the different stent designs; each of them exhibited accelerated flow 

within the stented region with velocity reaching up to 230 cm/s.  In comparison, the unstented 

model had a steady maximum velocity of 87 cm/s throughout the domain. Pressure drop across the 

different designs was consistent with the flow resistance – Designs 2 and 3 had slightly higher flow 

resistances than Designs 4 and 5, so their peak upstream pressures were about 0.1-0.2 mmHg higher 

at 132.45 (Design 1) and 132.49 (Design 2) mmHg compared to 132.33 mmHg (Designs 3 and 4). 
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Pressure drop across each of the stented models was more than twice the 5-mmHg pressure drop 

across the unstented model. 

During diastole, all models exhibit flow reversal, though the unstented model has the lowest 

reverse flow velocity at 3.7 cm/s. Flow in the stented models broke axisymmetry during the 

diastolic period to develop vortices distal to the stent. Some minor differences in flow behavior 

among the stented models become apparent; Design 5, which has the smallest gas volume, had 

moderate forward velocity but exhibited the highest reverse flow velocity with a peak at 17.9 cm/s. 

Designs 3 and 4 had much lower reverse velocities at 14.3 and 14.8 cm/s, respectively, but both 

reached peak forward velocities of over 21 cm/s. overall lower velocities than the other three 

designs as a result of its wider lumen. Design 2 fell in between the other cases – its forward velocity 

reached 16 cm/s and its reverse flow peaked at 15.1 cm/s.  

One notable difference between the unstented and stented models was in the axial pressure 

gradient during diastole. During systole, proximal pressure was higher than distal pressure in all 

models. During diastole, however, a lack of forward-driving flow allowed the stented models to 

develop slightly higher pressure (<1 mmHg differential) downstream of the stent than upstream. 

Though small, this effect reflects a fundamental change that the DWSG might induce in patients 

and warrants further study. 
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Figure 5.10: Velocity streamlines and pressure for selected CFD simulations. CFD results are 

shown for the five designs marked in Fig. 5.7. Design 1 is the unstented model, while Designs 2-5 

all lie on or near the pareto front. Streamlines show blood velocity, and their coloring shows the 

magnitude of velocity, with negative values corresponding to reverse flow. The shading behind the 

streamlines shows the blood pressure. The top row of images are taken during peak systole, and 

the bottom row are from end-diastole. All models on a given row follow the same velocity and 

pressure colormaps, shown at the end the row. 
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Figure 5.11: TAWSS and OSI maps for selected CFD simulations. CFD results are shown for 

the five designs marked in Fig. 5.7. Design 1 is the unstented model, while Designs 2-5 all lie on 

or near the pareto front. The top row of images shows TAWSS for the five models. The bottom row 

shows OSI. Coloration at the inlet and outlet caps is an artifact due to TAWSS and OSI not being 

calculated for those regions. All models on a given row refer to the single colorbar on the right side 

of the figure in the same row. 
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In addition to assessing summary variables such as 𝐴̂𝑙𝑜𝑤 𝑇𝐴𝑊𝑆𝑆 and 𝐴̂ℎ𝑖𝑔ℎ 𝑂𝑆𝐼, it was important 

to look at the spatial distribution of hemodynamic parameters to make comparisons among the 

longitudinal profile designs. Figure 5.11 presents maps of TAWSS (top row) and OSI (bottom row) 

for the five selected models. The unstented model, which acts as a baseline case, exhibited root-

mean-square 𝑇𝐴𝑊𝑆𝑆𝑟𝑚𝑠 = 3.9 dyn/cm
2 and 𝑂𝑆𝐼𝑟𝑚𝑠 = 0.32. Compared to the unstented model, 

each of the stented models had significantly increased TAWSS, with rms values between 12.6 to 

13.0 dyn/cm2. In addition to the predictable increase in TAWSS in the narrowed stented region 

of the models, they also had patches of elevated stress distal to the stent. No notable differences in 

the shear stresses were observed among the different stent designs. 

The selected designs showed greater heterogeneity in OSI results (Fig. 5.11), especially distal 

to the stented region. All of the stented models had rms OSI values between 0.27 and 0.29, 

significantly lower than the unstented model. Distal to the stented region, all models had OSI above 

0.32, but Design 2 had the highest value at 0.37. OSI in the unstented model was much higher than 

expected, with 85% of the model surface exhibiting values above the threshold 𝑂𝑆𝐼ℎ𝑖𝑔ℎ = 0.25. 

This result is related to the high proportion of reverse flow seen in the models during diastole. 

Regardless of the absolute values, the relative decrease in OSI with the various stent designs can 

be used to inform design decisions.  

5.7.2 Circumferential Discretization 

A smooth, convex pareto front was found (Fig. 5.12A) to define the optimal tradeoff between 

flow resistance and gas volume in the 2D models of a circumferentially segmented DWSG gas 

layer. The result was found to be valid for any value of outer radius 𝑟𝑚𝑎𝑥, meaning that the values 

for inner radius 𝑟𝑚𝑖𝑛 in this section (which were generated for 𝑟𝑚𝑎𝑥 = 1) can be interpreted as the 

ratio 𝑟𝑚𝑖𝑛/ 𝑟𝑚𝑎𝑥. In other words, the range of  𝑟𝑚𝑖𝑛 values from 0.25 to 1 can be generalized as 

inner radii between 25 to 100% of the outer radius magnitude.  
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Figure 5.12: Pareto front for circumferential gas layer optimization. (A) The full pareto front 

showing the tradeoff between DWSG resistance and gas volume with normalized values from a 2D 

model. Example profiles are shown for points across the front, where the shaded area represents 

the gas layer. The dashed box identifies the region that is shown in (B). (B) A 3D representation of 

an excerpt of the pareto front, with the vertical axis showing the number of segments for each 

design and the shading shows the inner radius of the profile.  

Although number of segments 𝑛  was able to sweep from 3 to 30, the pareto front only 

represented designs with 𝑛  between 5 to 30. Furthermore, values of 𝑛  greater than 15 only 

generated points at the tail ends of the pareto front, with a lumen area ratio above 0.9 or a resistance 

ratio above 500. The full allowed range of 𝑟𝑚𝑖𝑛 was represented on the pareto front. The design 

variables that constructed the most optimal region of the pareto front, where both objectives are 

minimized, fell within a more limited range (Fig. 5.12B). When lumen area was below 50% of the 

unstented area, and resistance of the stent was less than 500 times higher than the unstented value, 

the number of segments ranged from 5 to 14 and 𝑟𝑚𝑖𝑛 fell between 0.25 and 0.625. For a given 

number of circumferential segments, increasing the inner radius led to decreased resistance but also 

lower gas volume. For a given radius, decreasing the number of segments led to a small decrease 

in the gas volume. 

A histogram of the number of segments across the entire pareto front (Fig. 5.13A) shows that 

the majority of designs (83%) had between 5 and 7 segments, with 70% of designs having either 6 
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or 7 segments. Values for inner radius of the gas layer profile (Fig. 5.13B) were more evenly 

distributed, though frequency decreased with increased radius. A small spike occurred for radii 

between 0.9 to 1, but all of the designs with these values were positioned at the far edge of the 

pareto front where gas volume is close to zero. As seen in Fig. 5.12B, the most optimal designs 

have values for inner radius between 0.3 to 0.5, though the exact value that minimizes the objectives 

changes depending on the chosen number of segments. 

 
Figure 5.13: Histograms of the design variables in the pareto front for circumferential profile 

optimization. (A) Number of circumferential segments ranges from 5 to 30, with the highest 

frequency occurring between 5 to 7 segments. (B) Inner radius of the profile ranges from 0.25 to 1 

and has a more uniform distribution of values than the number of segments. 

5.8  Discussion 

5.8.1 Longitudinal Profile 

Multiobjective optimization of the longitudinal DWSG gas layer profile identified several 

viable designs that incorporate an adequate volume of gas to achieve capacitance without 

significantly disrupting hemodynamics. Most of the designs at or near the pareto front had a profile 

that tapered the radius more gradually on the proximal end than the distal end, leading to smooth 

inflow and a minimum radius positioned closer to the outlet, about two-thirds of the way through 

the device. These designs had a lumen volume between 30 to 33 mL, corresponding to a gas layer 
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of 37 to 40 mL. Previous results from Chapters 3 and 4 showed that prototypes of the DWSG with 

this same amount of gas were able to achieve 12-15% reduction in pulse pressure [119] and 14-29% 

reduction in pulse wave velocity compared to a standard, rigid stent-graft. 

With the chosen objectives and constraints, the limiting factor that prevented the pareto front 

from further reducing the relative residence time and lumen volume was the maximum allowed 

TAWSS. Designs that had lower 𝐴̂ℎ𝑖𝑔ℎ 𝑅𝑅𝑇 or a larger gas volume than the ones shown in Fig. 5.7 

exhibited at least some areas with TAWSS exceeding 50 dyn/cm2. This threshold was set as a 

conservative value, since most reports for dangerous levels of shear stress in blood vessels are 

reported as instantaneous stresses as opposed to time-averaged values. If the chosen threshold is 

ultimately decided to be lower than necessary, then it may be best to repeat the optimization 

procedure to better populate the expanded design space. 

Although this study provided valuable insight into the key parameters that will affect DWSG 

performance, some limitations were identified. One issue that arose during the study was that the 

CFD mesh was too coarse to capture some of the finer details in the gas layer profile produced by 

small changes to the design variables. Because the gas layer volume was calculated theoretically 

from the revolved Bezier curve, this quantity was always an overestimation compared to the actual 

gas layer volume in the meshed model. It was consistently overestimated since the gas volume is 

defined by a predominantly concave surface, and when that surface is discretized and connected by 

straight segments, the resulting volume is smaller. The main impact of this inconsistency is that the 

entire set of solutions would shift to the right in the objective space (Fig. 5.7), and the optimal gas 

volume would likely be less than 37 mL. The mesh could not be refined further for the optimization 

study due to the high computational cost associated with conducting hundreds of CFD simulations, 

but more detailed studies of the final selected designs will need to have better resolution to address 

this limitation. 
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5.8.2 Circumferential Discretization 

Investigation of potential designs for the circumferential discretization of the DWSG gas layer 

led to a few interesting findings. It wasn’t clear initially whether the number of divisions or 

segments would have significant impact on the amount of gas that could be stored within a given 

space between the inner and outer radii. We found that the most optimal designs all fell within a 

narrow range for this value, and designs with 6 or 7 segments accounted for 70% of the points on 

the pareto front. As expected, decreasing the inner radius led to a larger gas layer but also a higher 

resistance flow path. The same objective values could be maintained by simultaneously increasing 

the number of divisions and increasing the inner radius. 

Looking at these results in isolation, the most optimal designs would be the ones closest to 

zero for both objectives, which correspond to a 50% reduction in lumen radius from the unstented 

vessel. In the longitudinal profile study, however, we observed that high TAWSS limits were 

reached well before the stent exceeded the limit we placed on flow resistance. With this knowledge, 

the preferred circumferential profiles may be further toward the right end of the pareto front. The 

circumferential optimization was conducted with a highly simplified, 2D model of the gas layer, 

necessitating the development of simplified 2D objectives and constraints. This approach facilitated 

rapid generation of hundreds of designs, and the overall trends identified from this model are 

expected to carry over to 3D. The best approach to develop full 3D DWSG designs will be to 

combine the information from both of these studies and to compare those designs against the 

objectives. 

5.8.3 Conclusions 

This chapter presented two multiobjective optimization studies to explore the design space for 

the gas layer of a novel double-walled aortic stent-graft. The DWSG, which offers increased 

compliance over standard, rigid stent-grafts, operates through passive compression and expansion 

of an internal gas layer over the cardiac cycle. The two optimization studies were developed to for 
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independent investigation of the longitudinal and circumferential profiles of the gas layer design. 

Both studies had the dual aim of maximizing gas volume and minimizing flow disturbance. When 

the information from these two studies is combined, it provides a solid foundation for development 

of the next generation DWSG prototypes. The viable designs identified through both of these 

studies again validated the fundamental principle that some of the aorta’s conductance can be traded 

for capacitance in order to reduce the effect of endovascular aortic repair on arterial stiffness and 

blood pressure. The framework developed for this work, especially the automated CFD workflow 

for the longitudinal profile optimization, has potential to be utilized for other design problems 

involving a balance between the geometry of a vascular implant and its effect on hemodynamics.  
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Chapter 6 

Conclusions and Future Directions 

6.1  Summary of Findings 

Through the work detailed in this thesis, the double-walled stent-graft (DWSG) was conceived 

and tested via mathematical, computational, and experimental models. The results of the 

Windkessel study in Chapter 2 revealed the opportunity to trade aortic conductance for increased 

capacitance, though it wasn’t clear at that point the most feasible way to increase capacitance 

without interfering with the primary protective function of standard stent-grafts. In Chapter 3, the 

first prototype of the DWSG was characterized through static and dynamic experiments, 

demonstrating the viability of a gas layer lining the inner wall of a stent-graft as a vehicle to 

incorporate capacitance that doesn’t depend on distensibility of the surrounding vessel wall. Adding 

more gas to the prototypes furthered their ability to reduce peak and pulse pressures in a flow loop 

system, and the adverse effect of restricting the flow path wasn’t observed until the gas occupied 

over 70% of the stent-graft volume.  

The effect of the DWSG on aortic stiffness (measured via pulse wave velocity) was 

investigated in Chapter 4 through a computational fluid-structure interaction model and again in a 

flow loop model. Through both of these approaches, the DWSG consistently yielded lower pulse 

wave velocity values compared to a model of a standard, rigid stent-graft. Differing trends between 

experimental setups with a compliant versus stiff model of the aorta supported findings from 

Chapter 3 that the benefit of the DWSG is expected to be greater in patients with a stiffer arterial 

system, and a stiff aorta in particular.  

Finally, an optimization study was conducted in Chapter 5 to evaluate how different 

configurations of the DWSG gas layer affect hemodynamics across the aorta. Rather than 

considering only macroscale behaviors like blood pressure and pulse wave velocity, this work gave 
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insight into local shear stresses and recirculation that developed upstream, downstream, or within 

the DWSG. Hundreds of designs were generated through the optimization procedure, but the most 

optimal ones shared similar characteristics, including a very gradual tapering at the inlet and a total 

gas volume of 30 to 40 mL in the 15 cm long segment. One strategy was investigated to make the 

DWSG lumen convex, enabling compression of the gas if an inextensible membrane is used to 

contain it. Optimal ranges for number and size of circumferentially discretized gas layer segments 

were identified for use in future device models and prototypes. 

6.2 Potential Impact of the DWSG   

Several different embodiments of the DWSG concept were developed and tested over the 

course of this thesis; in spite of the variation among the different models, a few promising behaviors 

remained consistent. Each of the DWSG models demonstrated improved performance over a 

standard stent-graft, either by lowering blood pressure or reducing pulse wave velocity (PWV). 

Either of these outcomes have potential to greatly improve the long-term health of patients 

receiving a stent-graft for aortic repair. A meta-analysis of the predictive value of PWV on patient 

health found that a 1 m/s increase in PWV was associated with a 15% increase in both 

cardiovascular and all-cause mortality after adjusting for other risk factors [35]. Similarly, a meta-

analysis of the effect of blood pressure showed that the risk of major cardiovascular events 

decreased by about 10% for each 5 mmHg reduction achieved in systolic blood pressure, and a 10 

mmHg reduction in systolic pressure was associated with a 13% reduction in all-cause mortality 

[111]. These measures – 1 m/s change in PWV and 5-10 mmHg change in systolic pressure – are 

within the ranges that have been achieved in experiments and simulations with the DWSG. Even if 

the device is unable to reduce blood pressure or aortic stiffness completely to healthy levels, it will 

still offer a significant positive impact on the patient population. 

A device similar to the DWSG is currently undergoing clinical testing for treatment of 

pulmonary hypertension. In that condition, the pulmonary artery becomes unusually stiff, blood 
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pressure in the right heart and lungs increases, and the pressure overload causes damage to the 

lungs and heart. A device developed by Aria CV consists of a balloon mounted on a stent and 

connected to a reservoir [199]. The balloon is fixed in the pulmonary artery, and the reservoir is 

implanted remotely under the skin. As the heart pumps, the balloon shrinks through compression 

of the contained gas and through transport of some of the gas to the reservoir, and then the balloon 

refills when the right heart refills. Though different in configuration, and much more complex, the 

Aria CV device utilizes the concept increasing capacitance of a large artery through compression 

(and displacement) of a gas. As this device continues to move through the stages of regulatory 

approval, it will act as a role model for bringing the DWSG to market. 

As discussed in Chapter 1, the primary target for the DWSG is patients undergoing 

endovascular repair for Type B aortic dissection (TBAD). The mean age of these patients at 

diagnosis is 68 years, and about 75% of them have hypertension [65,90]. For these patients, it could 

be argued that high aortic stiffness and hypertension are significant factors contributing to the 

development of one or more tears in the aortic wall. Placement of currently available stent-grafts 

for these patients is not a cure for the underlying disease, as evidenced by 5 year survival of only 

50 to 65% and development of new aortic tears in 4 to 27% of patients [90,200,201]. By treating 

TBAD with the DWSG instead of a traditional stent-graft, the underlying pathology is more 

effectively treated. It is possible that if the aorta were stiff enough prior to stenting, placement of 

the DWSG may be able to therapeutically decrease the effective stiffness of the aorta and allow the 

patient to become less dependent on antihypertensive medications. 

If the DWSG is found to be safe and effective in patients with TBAD, who stand to benefit the 

most but also have several comorbidities, then it may be explored as an alternative device for many 

other endovascular aortic repairs, including aneurysm or dissection in other regions of the aorta. 

Standard stent-grafts are known to adversely affect blood pressure and arterial stiffness across all 
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patient demographics, so a device that reduces or eliminates these effects would undoubtably be an 

improvement over the current standard of care [88,101,155]. 

6.3  Next Steps in Device Development  

Additional design and validation work must be done before the DWSG can be shown to be 

safe and effective for use in humans. The two main areas that must be addressed in future work are 

how the device will be deployed and what materials can be used to ensure long-term safety and 

function of the device in vivo. Both of these areas are briefly addressed in the following sections. 

Finally, plans for the next stage of device testing are discussed. 

6.3.1 Deployment 

Ease of deployment is a feature that most modern stent-grafts tout, making it an important 

consideration – and potential drawback – for the DWSG. Because the DWSG consists of two 

components – the stiff, outer stent-graft and the inner gas layer tube – it may be difficult for both 

components to fit within the same 4 to 8 mm diameter deployment system used for state-of-the-art 

thoracic devices. To achieve this slim profile for deployment, inspiration may be taken from the 

Nellix Endovascular Aneurysm Sealing System developed by Endologix for treatment of 

abdominal aortic aneurysms [141]. This device is constructed similarly to the DWSG, though its 

purpose is to fill the surrounding aneurysm sac with a hardening polymer to improve fixation and 

prevent leakage. It consists of a standard stent-graft with a thin plastic bag attached around the 

outside, much like the DWSG has a thin plastic bag attached to the inside. Despite having multiple 

components, the Nellix device fits within a delivery catheter with a 6 mm outer diameter. Stent-

grafts for the abdominal aorta tend to be smaller than those for the thoracic aorta, but this low 

profile device still suggests that it will be feasible to deploy the DWSG within a standard-sized 

delivery system. 
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If the device cannot be easily compacted down to the necessary size, a different approach will 

need to be taken. One option is that the outer stent-graft and the inner gas tube could be two 

completely independent pieces, which would be deployed separately and possibly not even during 

the same procedure. One advantage to pursuing this option is the ability to “retrofit” previously 

implanted stent-grafts with the gas layer lining, which would greatly expand the pool of eligible 

patients. With this option, the gas layer may be similar to the Aria CV device in that it would have 

bare-metal stents on either end to allow it to be fixed in the vessel, either within a pre-placed stent-

graft or even in the unstented aorta if it is found to have therapeutic benefit in patients with 

significant aortic stiffening. 

Whether it is deployed with or after the stent-graft portion, the gas layer will need to be 

completely empty during placement. Filling the device with gas endovascularly will be another 

challenge to address during DWSG development. Again, inspiration can be drawn from the Nellix 

device, which has lines on the delivery system allowing for remote injection of the sealing polymer 

into the deployed bag. After injection of the gas into the DWSG, the filling port will need to easily 

seal through use of a self-sealing material, a one-way valve, or a deployed adhesive to ensure that 

the gas remains within the gas layer after the filling system is detached. 

6.3.2 Materials & Durability 

Any thin vessel that stores gas – tires, balloons, soda bottles – tends to leak over time. 

Preventing gas from leaking out of the DWSG will be one of the driving factors for deciding the 

final materials and configuration for the device. Although a biocompatible gas like CO2 can be used 

so that leakage does not pose any risk to the patient, loss of gas from the DWSG corresponds to 

loss in capacitive function. One parameter that can be easily controlled to reduce leakage is the gas 

pressure before implantation. One of the reasons that things like balloons and soda bottles leak gas 

quickly is because the gas is under a high positive pressure. Something like bubble wrap, on the 

other hand, is not formed with the gas pressurized at all, so the surrounding plastic membrane is 
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loose. The lack of pressure differential in bubble wrap makes it much more stable for long-term 

storage of the air. Once implanted, the DWSG gas layer will be pressurized by the lumenal blood 

pressure, but the level of pressurization can be minimized by avoiding a positive gas pressure in 

the unloaded state. 

The other ways to control gas diffusion out of the device are by choice of gas and choice of 

material for the housing film. Options for gas are limited to those that diffuse readily into the 

bloodstream, but it is worth investigating which biocompatible gases have the lowest diffusivity 

across the potential film materials. More options are available for selection of the film material, 

which can be modeled off of existing devices including balloon catheter balloons, intra-aortic 

balloon pumps, or other membranous medical device components, all of which use some type of 

polymer. Regardless of the material chosen, finite element simulations should be conducted to find 

how thick the film can be made before it becomes too stiff or prone to fracture from cyclic loading. 

Increasing the film thickness will always improve gas retention, but it should not be allowed to 

interfere with mechanical function or longevity. Because the material filling the gas layer will be 

precisely controlled (only CO2 or some other specific gas compound), the film may be coated on 

the gas side with a material with specific pH, charge, or other treatment that is effective at repelling 

specifically the chemicals that constitute the contained gas. Any material chosen for the film layer 

will need to strike a balance between low diffusivity and high resistance to fatigue fracture, making 

this potentially another problem requiring an optimization study. 

6.3.3 Validation Study in Cadaveric Aortas 

The next step toward proving the safety and efficacy of the DWSG is to conduct flow 

experiments in an environment that better represents the human arterial system. All of the 

experiments conducted up to this point have used rubber tubing to approximate the stiffness and 

behavior of the aorta, but it is expected that unique challenges will arise with placement and fixation 

of the device in an actual vessel. It is also important quantify the effect of the DWSG on effective 
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arterial stiffness in models with different levels of atherosclerosis and aortic stiffening. To address 

these uncertainties, an experiment has been designed in which cadaveric aortas will be connected 

from aortic root to iliac bifurcation into a flow loop system that can reproduce physiologic input 

flows and downstream resistance. With this setup, pressure will be measured upstream and 

downstream of the aorta to provide an estimate of pulse wave velocity. The system will be run 

under three conditions: (1) with no stent-graft placed, (2) with a commercial stent-graft, and (3) 

with a DWSG prototype placed in the descending thoracic aorta. Under each condition, pressure 

measurements will be taken to calculate the effective stiffness of the aorta. This study will provide 

stronger evidence toward the ability of the DWSG to impact blood pressure and arterial stiffness in 

vivo; it will also highlight challenges with device design, relating to placement and fixation, that 

will need to be addressed prior to any live animal studies. 
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