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Abstract 

Tracheobronchial stents are used to relieve blockages in the respiratory tree, typically caused 

by lung cancer. However, multiple complications can be associated with stents for this 

indication. In order to be able to improve clinical outcomes, a better understanding of device 

behaviour must be obtained. The work performed in this thesis investigates the mechanical 

performance of tracheobronchial stents under in-vitro and in-vivo conditions, and develops 

an experimental and computational framework from which future designs may be 

investigated and improved. 

The mechanical performance of bare laser-cut nitinol stents is first investigated through a 

detailed study on the effect of device geometry and material properties on stent response. 

It is shown that the non-linear properties of nitinol can have a significant effect on stent 

stability which should be accounted for during the stent design process. An experimental and 

computational in-vitro testing methodology is then generated to determine the mechanical 

performance of bare and covered tracheobronchial stents. Through this analysis it is shown 

that stent response is highly loading specific, suggesting that the loading configuration that 

a stent is about to be subjected to should be considered pre-implantation. 

Ovine lung deformation models are developed to evaluate stent response in physiologically 

realistic conditions. The generated models account for airway deformation due to a 

combination of lung motion and pressure loading. It is found that pressure conditions 

account for the majority of stent loading, but airway deformation due to lung motion can 

have an appreciable effect on stent mechanical response. Predictions from derived 

physiological stent deployment models are then compared to ovine pre-clinical implantation 

outcomes. Results of this suggest that granulation formation may be as a result of high levels 

of contact associated with lung motion. Indications of other common stent related 

complications are also highlighted in the models. 

In conclusion, the work performed in this thesis has led to an enhanced understanding of the 

mechanical performance of tracheobronchial stents. The computational models and 

experimental tests generated in this work form a framework that could be used as an aid for 

improving tracheobronchial stent design. 
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Chapter 1 

Introduction and Background to the Literature 

1.1 Introduction  

Tracheobronchial stents are used to relieve blockages in the respiratory tree, 

typically caused by lung cancer. The devices are associated with a high rate of 

complications which include stent migration, stent strut fracture, mucous plugging 

and granulation tissue formation. In order to improve stent design and reduce 

complications it is first necessary to determine how the devices function in-vitro and 

how they interact with the body they are implanted in in-vivo.  

Until now, little work has been documented in the literature on the analysis of 

tracheobronchial stent mechanical performance. Self-expanding metallic stents are 

commonly fabricated from nitinol which exhibits complex material properties like 

superelasticity and hysteresis, which can cause difficulties in design. Often, the stents 

are sheathed with a polymeric cover to reduce the effect of some complications. 

However, the polymeric covering can impact stent mechanical performance. While 

much work has been performed in the literature on the effects of tracheal stenting 

on tissue response, little has been undertaken with regard to evaluating the effect of 

in-vivo loading on tracheobronchial stent mechanical performance. Improving our 

understanding of how tracheobronchial stents function may help improve the next 

generation of devices. 

The work presented in this thesis was primarily driven by the requirements of the 

FP7 funded PulmoStent Project. Of which the primary goal was to develop a solution 

to mucous plugging. This was to be accomplished through the amalgamation of tissue 

engineering and stenting technologies. Where a tissue engineered ciliated 

epithelium was to be introduced onto the inner lumen of a covered tracheobronchial 

stent to restore mucociliary clearance to the stented region. As part of this work a 

covered laser-cut stent needed to be developed and project feasibility investigated 
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through an in-vivo animal study. For more details on the PulmoStent project the 

reader is referred to http://cordis.europa.eu/result/rcn/173303_en.html. 

1.1.1 Objectives 

The overall objective of this thesis is to develop a computational and experimental 

framework that can be used to understand the mechanical performance of 

tracheobronchial stents, with the aim of being able to facilitate the improvement of 

future device designs. Specifically, the aims of the current work are: 

1. To investigate self-expanding nitinol stent buckling and eliminate it from the 

design. 

 

2. To evaluate the mechanical effect that adhered covers can have on 

tracheobronchial stent response. 

 

3. To develop a finite element framework that can be used to evaluate 

tracheobronchial stent performance in-vivo. 

 

4. To correlate pre-clinical observations of granulation tissue formation with 

computational predictions. 

Each of these objectives are investigated and discussed in Chapters 2-5 of this thesis. 

This chapter introduces the subject matter of the research and outlines the 

background and literature relevant to tracheobronchial stenting. This includes details 

on: the lung’s structure and its functioning, tracheobronchial stent applications and 

complications, important stent mechanical properties and, computational modelling 

of stents and lung motion. The chapter concludes with a summary of the thesis 

structure. 

1.2 The Lung 

The primary function of the lung is to exchange gas by introducing oxygen and 

removing carbon dioxide. This is accomplished at the alveolar surface through simple 

diffusion where inspired air is introduced into the blood and carbon dioxide is expired 

(West 2012). The process is driven by the interaction of multiple components where 

http://cordis.europa.eu/result/rcn/173303_en.html
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the lung itself plays a passive role. In this section, a detailed introduction to the lung 

is described including details on its structure, the physiology of lung motion, the 

material properties of the primary structural components, and animal models. 

1.2.1 Lung Structure 

The primary structures in the lungs are the tracheobronchial tree, the pulmonary 

arterial system, and the lung parenchyma. The tracheobronchial tree is formed from 

a series of branching airways that end at the alveolar surface. This system begins at 

the trachea (or windpipe) which extends from below the larynx to the fourth thoracic 

vertebra where it splits into the left and right main bronchi (Fréchette and 

Deslauriers 2006). The main bronchi enter their respective lung and subdivide further 

to form the bronchial tree containing smaller and smaller branches of bronchi which 

are joined to smaller bronchioles that eventually terminate at the alveoli ducts after 

approximately 23 generations (McCool 2006) (Fig. 1.1). Airway generations are 

counted at each branch point of the tracheobronchial tree, with the trachea allocated 

a generation of zero and each subsequent bifurcation increasing by a value of one as 

illustrated in Fig. 1.1. The human airways exhibit dichotomous branching, which is 

described by the airway dividing into two branches with similar diameters and 

branching angles (Weibel and Gomez 1962; Schlesinger and McFadden 1981). 

Each alveolar duct ends in alveoli sacs where gas exchange occurs (West 2012). The 

blood carrying pulmonary arterial system follows the path of the respiratory tree 

with the blood vessels branching off into smaller units that end with capillaries in 

contact with the alveoli (Lawrence et al. 2015). The lung parenchyma is the porous 

structure that encases the circulation system and is formed from the lung 

constituents that involve gas transfer including the alveoli, alveolar ducts, capillaries 

and the respiratory bronchioles (Hyde et al. 2009). Often the larger pulmonary 

arteries are also considered part of the lung parenchyma, which is what is assumed 

in Chapters 4 and 5 in this thesis. The lung parenchyma forms the lobes that make up 

the lungs with the right lung containing three lobes and the left containing two. 

The walls of the tracheobronchial tree are complex structures. The trachea and main 

bronchi are structurally similar, being made up of four sections: the mucousa, the 
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submucousa, the cartilage and smooth muscle section, and the outer adventitia 

(Hayward and Reid 1952; Lawrence et al. 2015) (Fig. 1.2 (a)). In these regions the 

cartilage is formed in c-shaped rings connected at each end by a thin smooth muscle 

membrane. In the trachea there are between 16 and 22 of such c-shaped cartilage 

rings connected by annular tissue (Fréchette and Deslauriers 2006; Lawrence et al. 

2015). The stiff cartilage supports the airway and allows it to collapse during 

coughing. This increases the airflow velocity which improves cough efficiency by 

helping to remove particulates from the airway surface (Kamm 1999). Below the 

main bronchi the cartilage in the airways begins to become more irregular, first 

forming patches and then completely disappearing in the bronchioles at around the 

12th division (Hayward and Reid 1952). An example of the cross-section of a 

secondary bronchus is provided in Fig. 1.2 (b). 

 

Fig. 1.1: Idealised airway tree generations. Reproduced with permission from Weibel (1963). 
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Fig. 1.2: Schematic representation of airway structure of (a) the trachea (b) secondary bronchus. 

Adapted from Krstic (1984). 

1.2.2 Physiology of Lung Motion 

The lungs are found in the thoracic cavity surrounded by the rib cage and diaphragm. 

Each lung is encased within a thin membrane called a pleura, which surrounds all the 

lobes individually and also lines the diaphragm and mediastinum, forming a sac 

within the thoracic cavity. The pleural sac contains a thin fluid-filled space 5-35 µm 

thick, with the pleural fluid acting as a lubricant allowing near frictionless sliding of 

the components within the thoracic cavity during respiration (Lai Fook 2004). The 

pleural space maintains a negative intrapleural pressure which acts on the outer 

surfaces of the lung, keeping them inflated at all times. Before inspiration the 

intrapleural pressure is around -5 cmH2O (West 2012). Respiratory motion is initiated 

with contraction of the diaphragm and intercostal muscles which causes the 

diaphragm to move downwards and the chest wall to shift outwards. This enlarges 

the pleural cavity and decreases the intrapleural pressure acting on the lung surface. 

The change in pressure expands the lung, causing a drop in internal lung pressure 

which forces air to enter through the trachea and down to the alveolar sacs where 

gas exchange occurs (West 2012). Exhalation during normal breathing occurs through 

natural recoil of the lung. In effect the lungs remain passive and inflate and deflate 

with the expansion and contraction of the thoracic cavity during normal breathing 

(Werner et al. 2009). However, expiratory muscles such as the internal intercostals 

and abdominal muscles can be used when increased demand is required of the 

ventilatory system, such as when exercising (Bates 2009). There is a hysteresis effect 
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in the lung where the pressure-volume (PV) relationships during inhalation and 

exhalation differ, so that the pressure at a specific lung volume is always lower during 

inhalation (West 2012) (Fig. 1.3). The pressures in the lung during breathing are 

summarised in Fig. 1.4. More detailed information on breathing mechanics can be 

found in (West 2012). 

Coughing is performed by the lung to clear the airways of unwanted particulates, 

mucus and other secretions (McCool 2006). Clearance of the respiratory tree is 

achieved by forcing air out through the airways at high speeds, which tears 

particulates from the airway walls and adds them to the expiratory gas (Langlands 

1967; Irwin 1977). The cough sequence occurs over three phases which are classified 

as inspiratory, compressive and expiratory (Irwin 1977). During the inspiration phase 

air is inhaled and the expiratory muscles are lengthened by the increased air volume 

which can be as much as 90% of inspiratory capacity (Park et al. 2010). The 

compressive phase begins when the glottis closes and the expiratory muscles 

contract. Closure of the glottis retains the air in the lung as intrapleural pressures 

build from muscle contraction (Irwin 1977). During closure of the glottis the 

intrapleural pressure can increase to over 400 cmH2O (McCool 2006). The final phase 

of coughing, the expiratory phase, begins with the opening of the glottis and the 

release of high expiratory flows due to the pressure developed during the 

compressive phase (McCool 2006). This expiratory flow begins with an initial peak 

flow lasting 30 to 50 ms followed by 200 to 500 ms of sustained flows during which 

time lung volume and pressure drop (McCool 2006) (Fig. 1.5). During the expiratory 

phase the larger airways collapse, resulting in an increased airflow velocity that 

improves cough efficiency (Kamm 1999). 
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Fig. 1.3: Example of lung hysteresis in pressure-volume curves for excised lungs. Adapted from West 

(2012). 

 

Fig. 1.4: Example of normal breathing (a) lung volume, (b) intrapleural pressure, (c) alveolar 

pressure. Adapted from West (2012). 
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Fig. 1.5: Schematic illustrating variations in pressure and flow during the three phases of coughing. 

Adapted from McCool (2006). 

In Fig. 1.6 some important lung volumes are summarised. Tidal volume is the amount 

of air inhaled over the course of a typical breath. The total lung capacity (TLC) is the 

largest volume of air that can be inhaled into the lungs, and the residual volume is 

the amount of air that remains in the lungs after a full forced exhalation. The 

difference in volume between TLC and residual volume is known as vital capacity, 

and the lung volume at the end of a passive exhalation is called the functional 

residual capacity (FRC) (West 2012). 

 

Fig. 1.6: Breathing volumes of the lung. Adapted from Bates (2009). 
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1.2.3 Lung Constituent Mechanical Properties 

1.2.3.1 Lung Parenchyma 

As discussed previously, the lung parenchyma is primarily composed of the smaller 

lung structures concerned with gas transfer (the alveoli, alveolar ducts, capillaries 

and respiratory bronchioles) which form a complex porous structure. Apart from 

housing the primary structures involved in gas transfer, the parenchyma plays a vital 

role in the mechanics of breathing due to its elastic recoil (Suki and Bates 2011). This 

makes the mechanical properties of the parenchyma extremely important for lung 

function, particularly as most lung diseases are associated with irregular tissue 

mechanics (Suki and Bates 2008; Suki and Bates 2011). The general behaviour of the 

lung parenchyma can be seen in the PV relationship in Fig. 1.3, with a non-linear 

viscoelastic response and hysteresis which is common among biological tissues 

(Bates 2009; Lokshin and Lanir 2009). It should be noted that the PV plot shown here 

(Fig. 1.3) also includes the combined effects of the tracheobronchial tree and the 

pulmonary vasculature. The quasi-static behaviour of isolated strips of dog lung 

parenchymal tissue is shown in Fig. 1.7 where material strain stiffening is observed. 

This is believed to be primarily driven by the interaction between fibres of collagen 

and elastin, the tissue’s main structural constituents (Mead 1961). At lower strains, 

the stress is taken up by the elastin fibres which have a linear stress-strain 

relationship up to at least 200% (Fung 1993). The collagen fibres, which are stiffer, 

are folded and loose at these lower strains, but begin to take up the stress steadily 

as the strain increases. This results in a steady escalation in stress which is observed 

as the asymptotic shape seen in Fig. 1.7. 
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Fig. 1.7: Stress versus strain of strips of dog lung parenchyma. Adapted from Bates et al. (1994). 

1.2.3.2 Tracheobronchial Tree 

Due to the large motions that the lung undergoes during respiration the 

tracheobronchial tree needs to be able to stretch and accommodate considerable 

changes in both length and diameter (Kamm 1999). This compliance is also essential 

for the first few airway generations during coughing, where dynamic collapse of the 

airway occurs (Kamm 1999). Owing to these requirements, the airways, like the 

parenchyma are complex structures with multifaceted material properties. In 

general, the experimental analyses performed on the tracheobronchial tree for both 

animals and humans can be separated into two categories: measurement of 

mechanical relationships for intact airway structures (Martin and Proctor 1958; 

Croteau and Cook 1961; Hughes et al. 1972; Brown and Mitzner 1998; Tiddens et al. 

1999) and calculation of the mechanical properties of individual tissue layers (Panitch 

et al. 1989; Rains et al. 1992; Codd et al. 1994; Teng et al. 2008; Teng et al. 2009; 

Trabelsi et al. 2010; Bagnoli et al. 2013; Safshekan et al. 2016a; Safshekan et al. 

2016b). The effect of pressure on airway diameter and length shows an increase in 

airway compliance with each new branching generation due to a gradual decrease in 

cartilage content, airway thickness and diameter (Martin and Proctor 1958; Croteau 

and Cook 1961; Prakash and Hyatt 1978). Testing on individual components of the 

tracheal wall including cartilage, trachealis muscle, connective tissue, mucosal layers 

and the adventitia have generally shown the airway materials to exhibit non-linear, 

viscoelastic and anisotropic properties (Teng et al. 2008; Trabelsi et al. 2010; Teng et 
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al. 2012; Safshekan et al. 2016a; Safshekan et al. 2016b). Cartilage, which provides 

the majority of the structural support to the upper airways is a fibre-reinforced 

composite of randomly oriented collagen fibres encasing hydrated proteoglycans 

(Rains et al. 1992; Trabelsi et al. 2010). The tissue is often considered isotropic and 

non-linear (Trabelsi et al. 2010; Safshekan et al. 2016a), though it can remain 

relatively linear below a strain of 20% (Lambert et al. 1991; Safshekan et al. 2016a) 

(Fig. 1.8). Tracheal cartilage produces a stiff response with an elastic modulus 

between 1 and 40 MPa (Rains et al. 1992; Roberts et al. 1998; Trabelsi et al. 2010; 

Safshekan et al. 2016a), where stiffness has been shown to increase with age (Rains 

et al. 1992; Safshekan et al. 2016a). The smooth muscle in the airways contains two 

orthogonal collagen families that give it anisotropic characteristics (Trabelsi et al. 

2010; Teng et al. 2012). The fibres run in the longitudinal and transverse directions, 

with the longitudinal producing a tissue tangent modulus (at 5% strain) around 1.4 

times stiffer than the circumferential direction (Teng et al. 2012). The trachealis 

muscle is significantly more compliant than the airway cartilage as illustrated in Fig. 

1.8, and similarly, has also been shown to increase in stiffness with age in sheep 

(Panitch et al. 1989). The connective tissue between the cartilage rings in the trachea 

has been shown to have similar tensile properties to the smooth muscle (Safshekan 

et al. 2016a). Other soft tissues in the tracheobronchial tree like the adventitial 

membrane, mucosa and submucosa are not thought to significantly affect the 

mechanical attributes of the airway (Teng et al. 2012). It should be noted that all of 

the above experimental studies focused on tracheal tissue constituents and never 

considered tissue within the smaller airways where cartilage formation is more 

irregular (Hayward and Reid 1952).  Residual stresses within excised airways have 

also been investigated through the recording of the opening angle observed when a 

radial cut is made through intact rings of the tissue (McKay et al. 2002). McKay et al. 

(2002) found that a zero-stress state for human and porcine airways could be 

assumed, while sheep and rabbit airways contained residual stress. Interestingly, 

opening angles were significantly lower in ovine airways originating within the lung 

parenchyma, suggesting that these intraparenchymal airways contain a much lower 

residual stress state than the larger airways outside of the parenchyma. 
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It should be noted that while the tissues in the lung exhibit viscoelastic properties, 

these are not considered in Chapters 4 and 5 of this thesis as is common in the 

literature. In this work dynamic effects are not considered and so it is reasonable to 

assume that tissue viscoelasticity can be ignored. Additionally, Teng et al. (2012) 

found that the hysteresis associated with airway tissue loading and unloading was 

small enough to be considered hyperelastic. 

 

Fig. 1.8: Comparison of tensile stress-stretch curves for human cartilage and smooth muscle. Note 

cartilage is tested in the radial direction while smooth muscle is tested in the longitudinal direction. 

Adapted from Safshaken 2016. 

1.2.4 Animal Models 

A range of animal models are used in the research of respiratory diseases including 

rats, rabbits, pigs, dogs and sheep (Allen et al. 2009; Bähr and Wolf 2012). Although 

no animal model is suitable to capture all aspects of human lung behaviour, large 

animals are particularly suitable for evaluating cases where airway structure and 

function play an important role (Scheerlinck et al. 2008; Van der Velden and Snibson 

2011). Animals with similar lung capacities to humans include dogs, sheep and pigs. 

However, sheep are seen as the large animal of choice for respiratory physiology 

(Scheerlinck et al. 2008; Bähr and Wolf 2012). Sheep have similar lung function to 

humans with airflow, compliance, breathing rates and tidal volumes all falling within 

normal human ranges, which can allow for lung function testing to be implemented 

using the same techniques as used for spontaneous human breathing (Van der 

Velden and Snibson 2011).The ovine (and porcine) lung is structurally similar to the 
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human lung consisting of two left lobes and four right lobes, and the airways are also 

similar in the distribution of epithelial cells and smooth muscle (Meeusen et al. 2009). 

Although the branching pattern of the lower airways of sheep are similar to the 

dichotomous pattern seen in humans (Meeusen et al. 2009), the branching of the 

larger ovine airways is monopodial, meaning that the airway produces two branches 

that extend out at differing angles (Schlesinger and McFadden 1981). This results in 

a more asymmetric airway tree than the human respiratory tree (Fig. 1.9). One of the 

most noticeable differences in the animal lung structure is the tracheal bronchus that 

extends from the trachea into the right upper lobe which is rarely seen in humans 

(Doolittle and Mair 2002) (Fig. 1.9). Although there are differences between animal 

and human lungs, animal models are especially important for the development and 

analysis of interventional medical devices such as tracheobronchial stents (Hugo 

Marquette et al. 1995; Bolliger et al. 1999; Puma et al. 2000; Hwang et al. 2001; 

Fiorentino et al. 2016; Chaure et al. 2016). 

 

Fig. 1.9: Tracheobronchial tree of (a) human lungs (b) ovine lungs. Notice the tracheal bronchus in 

the ovine airway. Adapted from Tawhai et al. (2004). 

1.3 Tracheobronchial Stenting 

Respiratory diseases are responsible for around 1 million European deaths per year, 

with an estimated total cost in the region of €96 billion (Gibson et al. 2013). The most 

prevalent respiratory disease is lung cancer, which accounted for 1.4 million 

worldwide deaths and was the most diagnosed form of cancer for males in 2008 
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(WHO 2011; Jemal et al. 2011). It is estimated that about 30% of people with lung 

cancer go on to acquire difficulties with central airway blockages associated with 

extrinsic or intrinsic tumour growth hampering airflow through the airways, and 

require stenting for alleviation (Bolliger et al. 2006; Lee et al. 2010). Tracheobronchial 

stents are stiff scaffolds which are delivered to diseased airways to provide support 

and maintain lumen patency. Tracheobronchial stents are indicated for five principal 

indications: support for airways compressed by external tumours; ensuring lumen 

patency after the removal of intraluminal cancer; alleviating benign strictures; 

supporting lumen collapse due to malacia; and sealing fistulas (airway tears) (Freitag 

2010). In this section airway stent applications, types and complications are 

discussed. 

1.3.1 Tracheobronchial Stent Applications 

The leading use for tracheobronchial stents is in the re-establishment of patency to 

narrowed airways caused by benign and malignant stenoses (Freitag 2010). Typically, 

stents are utilised when obstruction is >50% of the airway lumen and suffocation is 

imminent (Bolliger et al. 1993; Furukawa et al. 2010). Malignant stenosis is most 

often caused by external compression from bronchogenic, oesophageal, or thyroid 

carcinomas (Ernst et al. 2004), and less frequently by intraluminal tumour growth 

(Macchiarini 2006). While intraluminal tumour tissue can be removed using methods 

like laser resection and argon plasma coagulation, stenoses formed from external 

compression can only be treated with stent placement (Bolliger et al. 2006). In 

malignant cases tracheobronchial stents are typically used for palliative purposes, 

and patient survival times are short (Dutau et al. 2015; Lin and Chung 2016). Benign 

strictures are primarily caused by intubation, tracheostomy and lung transplant, 

though any damage to the inner lumen can result in the development of stenoses 

(Murthy et al. 2007; Thistlethwaite et al. 2008; Puchalski and Musani 2013). With 

benign stenosis tracheal sleeve resection is the preferred treatment (Grillo et al. 

1992), but where surgical intervention is not possible, stenting is often the only 

option (Strausz 1997; Freitag 2010). 

Stents are also used to treat cases of airway collapse called malacia. In these 

instances weakening of the cartilage causes the airways to collapse (Murgu and Colt 
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2006). Here, stents are often used as a short-term action, before other long term 

treatments such as external splinting or physiotherapy and continuous positive 

airway pressure therapy (Murgu and Colt 2006; Freitag 2010). Another common use 

for these devices is in the treatment of tracheoesophageal fistulas which occur 

primarily due to infiltration by oesophageal carcinomas (Hürtgen and Herber 2014). 

The opening formed between the trachea and airway can cause choking, severe 

coughing and pneumonia (Gudovsky et al. 1993). Currently, the treatment of choice 

is to seal the fistula using a combination of airway and oesophageal stents, where 

the stent covers form a suitable seal (Ke et al. 2015). 

1.3.2 Stent Types 

One of the first examples of a tracheobronchial stent was the Montgomery T-tube 

which was developed in 1965 (Montgomery 1965). This stent, which is still in use 

today, requires a tracheotomy to accommodate an external limb (Guibert et al. 

2015). Since the development of the T-tube, a wide variety of airway stents have 

been developed that are typically divided into three categories based on their 

material: polymeric, metal or covered metal. The ideal airway stent should: return 

luminal patency; be cost effective; be easily placed and removed if necessary; resist 

migration; cause minimal granulation tissue formation; not inhibit muccociliary 

clearance; and be compliant enough to mimic airway physiology (Saito and Imamura 

2005; Chin et al. 2008; Guibert et al. 2015). Many of these requirements are 

contrasting and so no ideal tracheobronchial stent currently exists (Saito and 

Imamura 2005; Guibert et al. 2016). 

1.3.2.1 Polymeric Stents 

Currently available polymeric stents include the Dumon (Novatech, France), the 

Hood stent (Hood Laboratories, USA), the Polyflex (Boston Scientific, USA), and the 

Noppen stent (Reynders Medical Supply, Belgium). Of these, the most popular is the 

Dumon (Freitag 2010; Lin and Chung 2016) (Fig. 1.10). Fabricated from coated 

silicone, it looks like a hollow tube with small studs radiating outwards to help fixate 

the stent (Freitag 2010). The Dumon is also available in bifurcated form for stenoses 

near the carina (Guibert et al. 2015). Polymeric stents are often considered the best 

option for benign and malignant tumours as they are easy to place and remove 
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(Puma et al. 2000), they are considered safe, and produce little granulation formation 

(Dumon 1990; Chin et al. 2008). These stents do have their drawbacks though, such 

as the requirement for general anaesthesia and rigid bronchoscopy for implantation, 

high migration rates, reduced mucociliary clearance, and a narrow internal lumen 

due to the wall thickness required to support the airway (Chin et al. 2008; Serrano et 

al. 2013; Guibert et al. 2015). 

 

Fig. 1.10: Various Dumon stent types. Adapted from Dutau 2013. 

1.3.2.2 Metal and Covered Metal Stents 

Some bare metal and covered metal stents consist of the Ultraflex (Boston Scientific) 

(Fig. 1.11 (a)), the AERO (Merit Medical, USA) (Fig. 1.11 (b)), and the Aerstent (Leufen, 

Germany). Typically, these stents are self-expanding and fabricated from nitinol (Chin 

et al. 2008) by either being laser-cut from a thin tube or created from the knitting or 

braiding of wire filaments. Stent covers are commonly made from silicone, PTFE 

(polytetrafluoroethylene) or polyurethane (Farhatnia et al. 2013). The advantages 

given by metal stents include easy insertion with flexible bronchoscopy, better 

fixation and improved clearance of secretions (Saito and Imamura 2005; Godoy et al. 

2014; Guibert et al. 2015). Bare stents have become less popular due to issues with 

incorporation into the airway wall and granulation formation (Murthy et al. 2004; 

Noppen et al. 2005; Godoy et al. 2014), but are still used in cramped, severely 

deformed stenoses (Puma et al. 2000; Guibert et al. 2015). Covered stents are used 

to prevent tumour ingrowth through open stent struts, they are also more favoured 

than bare stents in benign cases where stent removal after long periods may be 
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necessary (Godoy et al. 2014). They are also ideally suited to sealing airway fistulas 

(Hürtgen and Herber 2014). Common risks associated with metallic stents include 

granuloma formation (Husain et al. 2007), stent fracture, and airway perforation 

(Puma et al. 2000). Covered stents can reduce mucociliary clearance and increase the 

risk of migration (Madden et al. 2002; Shin et al. 2003). 

 

Fig. 1.11: (a) Ultraflex stent examples (Madden et al. 2002), (b) Aero Stent example (Mehta 2008)). 

1.3.2.3 New Developments 

Recently the development of biodegradable and drug eluting tracheobronchial stents 

has gained much interest. In benign cases, stents are often only needed for a 

temporary period before needing to be removed (Galluccio et al. 2009; Dutau et al. 

2010). The necessity for a procedure to remove a stent in these instances adds cost, 

and so a biodegradable stent that would maintain airway patency for a set amount 

of time before eventually vanishing is appealing (Dutau et al. 2015). Although much 

work is being carried out in this area, there have been few trials in humans and little 

sign of a biodegradable airway stent coming on the market soon (Dutau et al. 2015; 

Lin and Chung 2016). Drug eluting stents have been proposed as a possible way of 

preventing granulation formation, but these too are still in the developmental stage  

(Guibert et al. 2016; Hohenforst-Schmidt et al. 2016). 

1.3.3 Stenting Complications 

Currently, there is no ideal tracheobronchial stent as all stents are associated with 

complications (Rafanan and Mehta 2000; Godoy et al. 2014). As a group, airway 
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stents have a relatively high complication rate of around 15% (Colt et al. 1992; 

Dechambre et al. 1998; Lemaire et al. 2005; Makris and Marquette 2007; Godoy et 

al. 2014). The primary complications related to stenting include stent migration, 

granulation tissue formation, stent strut fracture and mucous plugging. 

Stent migration can be a serious complication of airway stenting. All stent designs 

that are not fixed in position can migrate either proximally or distally along the 

airways (Freitag 2010). Although the coughing out of stents have been recorded 

(Aggarwal et al. 1999), the more life-threatening cases are when stents migrate and 

completely occlude an airway, which can lead to asphyxiation (Hautmann et al. 

2000). To mitigate migration stents should be oversized so that when deployed they 

apply a suitable expansion force (Ernst and Herth 2013). However, even if proper 

sizing is used, factors like the cyclic loading from respiration and coughing, tissue 

viscoelasticity, and the effects of tumour specific treatments can result in stents 

becoming loose and migrating (Freitag 2010). Migration has been observed in around 

10% of malignant stenoses and in twice as many cases for benign conditions (Freitag 

2010). Polymeric and fully covered metal stents tend to migrate more than their bare 

metal counterparts (Wood et al. 2003; Abdel-Rahman et al. 2014; Godoy et al. 2014). 

Tumour growth and granulation formation can lead to restenosis of the stented 

airway which can result in lumen blockage (Fig. 1.12). If the stent is bare then the 

tumour can grow directly through the open structure, and if the stent doesn’t 

suitably extend past the tumour then the tumour can grow in over the stent ends 

(Freitag 2010). This is not a common problem for malignant cases as the stents are 

typically used for palliative care where life expectancy is short (Dutau et al. 2015; Lin 

and Chung 2016). Conversely, the use of bare stents for treatment of benign 

conditions is discouraged, primarily due to stent embedding and the subsequent 

formation of granulation tissue. This can result in serious complications and has 

prompted the Food and Drug Administration (FDA) to publish a notification 

recommending that metal stents are only used in benign cases when surgical options 

or polymeric stent placement is not viable (Food and Drug Administration 2005; Sosa 

and Michaud 2012; Serrano et al. 2013). Granulation tissue is believed to be formed 

from a combination of mechanical irritation caused by scratching of the stent surface 
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against the airway wall, excessive expansion pressures, and bacterial infection 

(Schmäl et al. 2003; Ost et al. 2012), and can result in the formation of stenoses which 

can lead to loss of airway patency. The granulation tissue is formed from a mass of 

fibrous connective tissue which can adopt functional characteristics of smooth 

muscle (Brown and Montgomery 1996; Thiebes et al. 2017). Typically, granulation 

tissue forms at the proximal and distal stent ends (Burningham et al. 2002; Schmäl et 

al. 2003; Lemaire et al. 2005; Hu et al. 2011). It has been recorded in over half of all 

stenting cases, and has been seen as clinically significant in around 25% of all cases 

(Freitag 2010). All stent types can produce some form of granulation tissue, though 

bare metal stents are considered the worst (Ost et al. 2012; Sosa and Michaud 2012). 

 

Fig. 1.12: Granulation tissue formation at distal stent end. Reproduced from Freitag (2010). 

Stent fracture is a major complication of airway stents as it can potentially cause 

airway obstruction and perforation (Rousseau et al. 1993; Chung et al. 2008; Godoy 

et al. 2014) (Fig. 1.13). The cause of the fractures are thought to be from cyclic loading 

due to coughing, compression during swallowing, granulation, shearing forces or 

tortuous airways (Burningham et al. 2002; Zakaluzny et al. 2003; Chung et al. 2008). 

Fracture is most commonly found in benign airway obstruction, rather than in 

malignant cases, where patient survival time most likely plays an important role 

(Chung et al. 2008; Chung et al. 2011).  Fracture, in one study, was shown to most 

likely occur between 500 and 1000 days after implantation, revealing fracture rates 

of 2.1%, 9.4%, 13.9% and 11.1% over the first four years after implantation (Chung 
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et al. 2008). The removal of damaged airway stents is possible, but there is a 

significant risk of further complications, such as tearing of the mucosa, perforation, 

pneumothorax and return of lumen blockage (Lunn et al. 2005; Godoy et al. 2014). 

 

Fig. 1.13: Example of metallic stent fracture. Adapted from Zakaluzny et al. (2003). 

Observed in over a third of all tracheobronchial stenting cases, mucostasis is one of 

the most prevalent complications (Freitag 2010). For the most part this occurs in 

patients as halitosis (bad breath), which is caused by the emergence of bacteria and 

fungi colonies surrounding the stent (Noppen et al. 1999; Freitag 2010). Of more 

clinical importance though, is the problem of retained secretions that can build up 

and occlude the stent lumen. This is a common problem with polymeric and covered 

metal stents, believed to be due to the blocking of the respiratory epithelium causing 

distal mucous build up (Swanson et al. 2007). Typically, this is treated with antibiotics 

and repeated suctioning (Freitag 2010). To effectively combat the complications 

associated with these devices it is necessary to understand the principal properties 

of airway stents and how mechanical performance is determined. 

1.4 Stent Properties and Mechanical Analysis 

1.4.1 Properties of Self-expanding Nitinol Stents 

The primary focus of this thesis is on bare and covered self-expanding nitinol 

tracheobronchial stents and so this section focuses on the properties associated with 

these devices. Nitinol self-expanding stents are ideal for use in tracheobronchial 
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applications due to properties such as crushability and biased stiffness, which are 

adopted from the special characteristics associated with nitinol (O’Brien and Bruzzi 

2011).  

1.4.1.1 Nitinol Shape Memory and Superelasticity 

Nitinol is an alloy of near-equiatomic levels of nickel and titanium which exhibits 

superelastic and shape memory characteristics. Superelasticity allows the alloy to 

reach strains in excess of 10% without plastically deforming, while shape memory 

permits it to regain its original shape following an external (plastic) deformation by 

applying heat (Duerig et al. 2000; Stoeckel et al. 2004). Its unusual properties stem 

from a change in stress or temperature inducing a solid state transformation 

between austenite and martensite (O’Brien and Bruzzi 2011). 

Shape memory utilises thermally induced reversible phase transformation in nitinol, 

where cooling it in its austenitic phase changes the crystal structure to form twinned 

martensite, without shape change (Fig. 1.14). At this lower temperature (Mf) the 

twinned martensite forms a stable martensitic phase, where mechanical loading can 

induce permanent deformation up to a strain of approximately 8% through a process 

called detwinning (O’Brien and Bruzzi 2011). The addition of heat at a higher 

temperature (Af) can then return the material to its austenitic phase and original 

undeformed shape (Duerig et al. 1990). 

 

Fig. 1.14: Schematic representation of austenite transformation and hysteresis over a change in 

temperature. A and M correspond to the austenite and martensite phases, and subscript s and f 

refer to the start and finish temperatures of the respective transformation. Adapted from O’Brien 

and Bruzzi (2011). 
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Superelasticity is induced in nitinol when an external stress above a critical level 

causes phase transformation (Duerig et al. 1990; Stoeckel et al. 2004). A stress-

induced detwinned martensite is formed which is unstable at high temperatures 

(above Af), allowing the material to revert back to its austenitic structure and original 

undeformed shape upon removal of the external force (Robertson et al. 2012). In this 

way large strain recovery is possible. Loading and unloading of the material at this 

temperature results in a stress-strain plot similar to that presented in Fig. 1.15. The 

austenitic state is represented by a stiff linear response up to around 1% strain, after 

which transformation to martensite begins at a critical stress (point A). Further 

loading from this point increases the martensitic volume fraction until the 

transformation is complete at point B. In the fully martensitic state additional loading 

initially results in an essentially linear elastic response (with a lower stiffness than the 

austenitic state), which if strained excessively can result in plastic deformation. 

Unloading of the material in the martensitic state allows elastic strain recovery and 

transformation back to austenite. The critical stresses during unloading are lower 

(between points C and D), resulting in material hysteresis (O’Brien and Bruzzi 2011). 

 

Fig. 1.15: Schematic representation of a typical nitinol stress-strain curve. EA and EM refer to 

austenitic stiffness and martensitic stiffness respectively. 

1.4.1.2 Nitinol Stent Characteristics 

The superelastic property of nitinol is the feature most often employed in self-

expanding stents. The ability to reach high strains without plastic deformation allows 

nitinol devices to be crimped down to small diameter profiles, permitting them to be 
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loaded into delivery systems which can be tracked to the desired location in the 

body’s network of airways or arteries. Once positioned the stent can be deployed by 

retracting an outer sheath or pushing the stent out of the delivery system, where 

upon release the stent expands using its stored-up elastic energy. A typical crimping 

and deployment procedure is illustrated with a schematic of radial force (or hoop 

force) versus diameter in Fig. 1.16. The first thing to notice is that nitinol stent loading 

response is similar to that of the nitinol stress-strain curve with stiff austenitic and 

martensitic responses joined by upper and lower plateaus. As the stent is crimped 

into the delivery catheter the radial force increases as far as point A. From here the 

device is deployed into the vessel which increases the diameter and produces a drop 

in force showing the hysteresis associated with the reverse transformation from 

stress induced martensite to austenite. At point B the stent reaches an equilibrium 

position with the vessel wall and expansion stops. In this position the force exerted 

by the stent is determined by the unload plateau which is commonly termed the 

chronic outward force (COF) (Duerig et al. 2000). If further unloading of the stent 

occurs the COF follows along the unloading plateau, providing gentle loading (Duerig 

et al. 2000). However, if the stent undergoes further radial loading (e.g. during 

coughing or normal breathing) the stent resists the loading along the line between 

points B and C, returning to the upper loading plateau. This increased stress 

resistance is termed radial resistive force (RRF) (Duerig et al. 2000), and provides 

nitinol stents with a certain amount of crush resistance (O’Brien and Bruzzi 2011). 

The ability of nitinol stents to vary stiffness (between COF and RRF) has been referred 

to as “biased stiffness” (Duerig et al. 2000). 

The concept of biased stiffness is particularly important for tracheobronchial 

applications. When nitinol stents are deployed in the tracheobronchial tree to 

combat malignant stenoses the malignancy can press against the device, but the 

stent resists the increased compression due to the stiff RRF. At the same time a lower 

COF is applied to the healthy tissue that is not applying a compressive load (O’Brien 

and Bruzzi 2011). Another important aspect of nitinol stenting in the airways is that 

the superelastic properties allow airway stents to collapse during coughing and 

return to their initial configuration without plastic deformation, which can aid 
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mucocilliary clearance as well as ensuring stent patency (Freitag et al. 1995; 

Miyazawa et al. 2000; Sosa and Michaud 2012). 

 

Fig. 1.16: Schematic of radial force versus stent diameter mimicking stent loading and deployment. 

Adapted from Duerig et al. (2000). 

Other properties of nitinol that are worth mentioning in the context of stenting are 

its temperature dependant stiffness and biocompatibility. The mechanical properties 

of nitinol are particularly temperature dependent as can be appreciated from the 

shape memory and superelastic features that can be obtained from the application 

of mechanical loading at different temperatures. Similarly, the stiffness of nitinol is 

temperature dependent, with stiffness increasing with increasing temperature 

(Pelton et al. 2000; Henderson et al. 2011). To ensure self-expanding stents perform 

at an optimal stiffness at body temperature an Af around 30 °C is typically used 

(Stoeckel et al. 2004; O’Brien and Bruzzi 2011). This guarantees that the stent (in its 

unconfined state) is fully austenitic at body temperature and capable of applying a 

suitable force against the lumen wall. This temperature dependence requires that 

any testing performed on nitinol for stent implantation should be performed at body 

temperature to ensure meaningful results. Although nitinol contains a high nickel 

content which can have toxic effects at elevated concentrations it is considered a 

highly biocompatible material with low concentrations of nickel release after initial 

implantation and corrosion resistance better than stainless steel (Putters et al. 1992; 

Ryhänen 2000; Stoeckel et al. 2004). 
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1.4.1.3 Stent Performance 

Stent performance is typically assessed through in-vitro benchtop testing and in-vivo 

analyses. While there are no specific requirements for stent evaluation, the FDA has 

published guidance on the type of non-clinical engineering tests that should be 

performed for applications submitted for premarket approval of intravascular stents 

(Food and Drug Administration 2010) and premarket notification for 

tracheobronchial prostheses (Food and Drug Administration 1998). These documents 

recommend benchtop testing such as deployment testing, radial force testing, crush 

testing, and fatigue analyses for self-expanding devices. Deployment testing is 

performed to ensure the device can be accurately and repeatedly deployed at the 

target location. This is often accomplished by deploying the stent in a tube with 

similar properties to the target location (Food and Drug Administration 1998). Radial 

force testing is performed using an iris-like mechanism to reduce the diameter of the 

stent while simultaneously recording radial force. This produces a curve of radial 

force versus diameter (as presented in Fig. 1.16) from which important stent 

attributes such as the COF, RRF and maximum crimping force for stent loading can 

be obtained. Crush testing or flat plate testing is also routinely performed on 

superelastic devices to evaluate the ability of the stent to return to a desired 

configuration after the application of a large external load. Often, this is performed 

by crushing and unloading the device between two platens while recording the 

generated out-of-plane bending forces.  

The super-elasticity of nitinol stents allow them to undergo larger cyclic strain 

deformations than other elastic-plastic devices (Duerig et al. 2000), which allows for 

collapsibility. However, they still suffer from fatigue fracture which can cause 

multiple complications such as airway perforation and blockage (Rousseau et al. 

1993). Fatigue characterisation is routinely performed on diamond samples as well 

as on entire stent devices (Pelton et al. 2008; Robertson et al. 2012). To ensure 

patency of a device over its lifetime nitinol stents are evaluated for fatigue using 

strain based techniques rather than more commonly employed stress based 

methods. This is due to the large range of strains for which stress remains almost 

constant over the plateau region associated with nitinol detwinning (Fig. 1.15) 
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(Robertson et al. 2012). Constant life diagrams like that shown in Fig. 1.17 are 

employed as they take account of the mean strain caused by stent oversizing and 

variations in strain amplitude due to the cyclic loading of the lungs (Pelton 2011). A 

remarkable characteristic of nitinol in fatigue is the increase in fatigue resistance with 

increasing mean strain above 1.5% mean strain which is illustrated in Fig. 1.17. In 

general a device is considered “safe” with a strain amplitude below 0.4% for 107 

cycles (Pelton et al. 2008). 

 

Fig. 1.17: Constant life plot of diamond stent samples. Samples that did not survive to 107 cycles are 

shown with closed squares. Open squares are for samples that did not fail before 107 cycles. 

Reproduced with permission from (Pelton et al. 2008). 

Remarkably, from a mechanical perspective only a comparison between an existing 

device and the proposed device with regard to deployment and radial force are 

required for tracheobronchial devices (Food and Drug Administration 1998). 

However, if significant differences are present then animal testing and clinical data 

may be required. 

To the authors knowledge there are only two studies presented in the literature 

investigating in-vitro properties of tracheobronchial stent designs: Freitag et al. 

(1994, 1995). The studies considered a number of tracheobronchial stents with sizing 

related to both the trachea and bronchus. Stents were deployed into excised human 

and porcine airways and the influence of cough loading and extrinsic tumour 



Chapter 1   

 

27 
 

compression were evaluated. Coughing was simulated using rapid pressure changes 

driven by a vacuum pump, while changes in cross-sectional area were recorded. The 

effect of extrinsic tumour compression on stent response was evaluated using the 

end of a small rod to load the devices which were either deployed in an excised 

trachea or tested in an unconfined configuration. Cross-sectional area, rod 

displacement and the force applied were recorded. These test methods provide 

practical information in relation to how different stent designs affect the natural 

collapse of the airway and how stents resist local loading. However, the use of 

excised tissue makes repeatability an issue, and stent loading in a freely expanded 

condition does not adequately represent the in-vivo condition where the stent is 

constrained by the airway. 

Animal studies on tracheobronchial stents are more common in the literature (Hugo 

Marquette et al. 1995; Bolliger et al. 1999; Korpela et al. 1999; Puma et al. 2000; 

Hwang et al. 2001; Serrano et al. 2016). The animal models considered for stenting 

include sheep (Puma et al. 2000), dogs (Hwang et al. 2001), rabbits (Korpela et al. 

1998; Korpela et al. 1999; Serrano et al. 2016) and, piglets and mini-pigs (Hugo 

Marquette et al. 1995; Bolliger et al. 1999). The effects of implanting 

tracheobronchial stents in healthy animals was investigated by Puma et al. (2000), 

Hwang et al. (2001) and Serrano et al. (2016), while Korpela et al. (1999), Bolliger et 

al. (1999) and Hugo Marquette et al. (1995) deployed stents in animals with surgically 

created stenoses. These studies provide detailed insight into how different stent 

designs operate in in-vivo conditions, reporting complications such as migration, 

secretion retention, granulation formation and airway distension. However, 

repeatability and cost are significant issues with such testing. In addition, 

quantitative comparisons of stent performance is difficult to obtain from such 

analyses. Computational modelling provides another route to quantitatively 

investigate the stent implant under in-vitro and in-vivo conditions. 

1.5 Computational Modelling of Stent Structures 

Computational modelling has become an indispensable tool within the biomedical 

field. It is commonly used to improve device design, and is a basic requirement of the 

FDA to demonstrate stent safety and effectiveness (Food and Drug Administration 
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2010). Computational analyses can also be utilised in a clinical environment to aid in 

providing improved treatment. A common example of this in relation to respiratory 

applications is the tracking of tumour motion during radiotherapy treatment for lung 

cancer. In this section an overview of in-vitro and in-vivo stent modelling, and 

respiratory motion modelling described in the literature is provided. 

1.5.1 Stent Mechanical Performance 

For many years finite element modelling has been used to assess and enhance stent 

mechanical performance. Numerous publications exist in the literature on various 

important aspects of stent design (Rebelo and Perry 2000; McGarry et al. 2004; 

Donnelly et al. 2007; García et al. 2012; Grogan et al. 2012; Conway et al. 2012; 

Nematzadeh and Sadrnezhaad 2012; Azaouzi et al. 2013; Meoli et al. 2014; Ghriallais 

and Bruzzi 2014; Gökgöl et al. 2015). Though, primarily focused on cardiovascular 

and endovascular stenting applications, many of these studies cover topics that can 

be directly applied to self-expanding tracheobronchial stenting applications, such as 

the effects of varying strut dimensions (García et al. 2012), appropriate simulation 

conditions for accurately capturing radial force (Ghriallais and Bruzzi 2014), and the 

effects of stent oversizing (Gökgöl et al. 2015). 

One of the first finite element studies on nitinol stent mechanics was performed by 

Gong et al. (2004). In this study constitutive models developed to represent nitinol’s 

superelastic behaviour were shown to be capable of suitably capturing the 

mechanical performance of a self-expanding nitinol stent under radial force and 

crush loading conditions. More recently, García et al. (2012) examined the effect that 

variations in strut dimensions and stent diameter can have on stent radial force. 

Findings of the study showed that strut width has a greater influence on stent 

reaction force than strut thickness, and demonstrated how a stent with variable 

radial force (along its length) could potentially be employed to limit tissue damage 

outside of stenosed regions. A study by Ní Ghriallais and Bruzzi (2012) investigated 

suitable modelling techniques for evaluating radial force accuracy. The choice of 

boundary conditions and other modelling assumptions was shown to effect stent 

radial force, highlighting in particular that entire stent lengths were required to 

negate end effects. The impact of stent oversizing in arteries was studied by Gökgöl 
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et al. (2015), where larger oversizing was found to negatively affect stent fatigue life, 

while securing only a minimal increase in lumen gain. 

Abdominal aortic aneurism (AAA) stent grafts are typically larger than airway stents 

in both diameter and length, though the effect the graft material has on stent 

mechanical performance would be expected to be similar. One of the first analyses 

on stent grafts was performed by Kleinstreuer et al. (2008), where it was shown that 

different graft materials can affect stent fatigue life differently. De Bock et al. (2013) 

experimentally tested and computationally modelled various stent grafts, and 

showed that the inclusion of the graft material was necessary for accurately 

modelling stent interactions. A more in depth discussion on covered stent modelling 

is provided in Chapter 3. 

With regards to tracheobronchial stent modelling, to the authors knowledge there 

has been no study directly examining their mechanical performance. However, a 

wealth of studies have evaluated the effect of stenting on local airway mechanics 

from a biomechanical aspect (Perez del Palomar et al. 2010; Trabelsi et al. 2011; 

Malvè et al. 2011d; Malvè et al. 2014; Trabelsi et al. 2015; Chaure et al. 2016). Stent 

material properties in these studies are considered linear-elastic, even for materials 

like nitinol that exhibit complex non-linear behaviours (Malvè et al. 2011c; Malvè et 

al. 2014; Chaure et al. 2016). Furthermore, stent deployment is often not considered 

(Malvè et al. 2011a; Malvè et al. 2011c; Malvè et al. 2014), or modelled using a radial 

expansion boundary condition that rigidly stiffens the stent when deployed (Perez 

del Palomar et al. 2010; Trabelsi et al. 2011; Chaure et al. 2016). Stent geometrical 

representations have also been simplified, particularly for braided or warp knitted 

stents (Malvè et al. 2011c; Chaure et al. 2016). Many of the simplifications performed 

in these analyses are due to the complexities associated with fluid structure 

interaction (FSI) modelling. 

1.5.2 Airway Analyses 

One of the first computational studies to evaluate the effect of tracheobronchial 

stenting on local respiratory mechanics was performed by Malvè et al. (2010). While 

the main focus of the study was on accurately capturing radial deformation of the 
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trachea during normal breathing and coughing, the effects of a “virtual” stent were 

also considered. Using CT images from a 70 year old healthy man a tracheal geometry 

was developed that incorporated cartilage c-shaped rings and connective smooth 

muscle components, two of the primary structural constituents of the trachea. Tissue 

material properties were obtained from tensile testing of human samples obtained 

at autopsy. The cartilage properties were modelled using an isotropic Neo-Hookean 

constitutive model, while the smooth muscle was described using an anisotrpic 

Holzapfel constitutive model which considered the contributions of two orthogonal 

fibre families. A FSI model was used to model the interaction between the tracheal 

tissue and air flow for normal breathing and coughing. Through this analysis realistic 

physiological radial deformation which qualitatively captured the collapsibility of the 

airway was obtained. The effects of stent introduction were then evaluated by 

deforming part of the trachea to conform to a cylindrical surface, which represented 

a “virtual” silicone Dumon stent. The “virtual” stent was assigned linear-elastic 

properties with a Young’s modulus of 1 MPa, and the FSI analysis for normal 

breathing and coughing was repeated. Results showed that the stiff stent reduced 

the velocity of air exiting the airway by preventing muscular membrane collapse, 

which results in a reduction of cough efficiency. 

Malvè et al. (2011c) went on to compare the stress and deformation induced for 

normal breathing and mechanical ventilation in an unstented trachea. Using a similar 

approach to their previous work, it was shown that mechanical ventilation affected 

the normal physiological deformation of the trachea by not inducing tracheal 

collapse. This was attributed to the fact that in mechanical ventilation only positive 

pressure is applied to induce flow, while in normal ventilation positive and negative 

pressure swings are present. While the maximum deformations induced by the two 

loading conditions were shown to be similar, the stresses produced by the 

mechanical ventilation condition were over twice that of normal breathing. 

The effects of stenting the trachea with two different stent designs were considered 

in Malvè et al. (2011b). A silicone Dumon and nitinol Ultraflex stent design were 

compared. The Dumon stent was modelled as a 2 mm thick cylinder, and the Ultraflex 

was modelled with a simplified repeating pattern with a 0.25 mm thickness. Stented 
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assemblies were obtained by radially expanding stent surfaces into a tracheal 

geometry using displacement boundary conditions. A fluid mesh was then 

introduced to the cavity and a FSI analysis was performed on the stented geometry 

from a stress-free configuration. Linear-elastic properties were assumed for both 

nitinol and silicone, and a perfect adhesion was assumed between the stents and 

tissue surface. As before, the stents were shown to affect the natural deformation of 

the airway, though the Ultraflex stent allowed more deformation than the Dumon. 

To examine the likelihood of stent migration the ratio of nodal axial force to radial 

force was compared, where areas with higher axial force were considered to have a 

pre-disposition to migrate. It was shown that when using this comparison the Dumon 

stent may have a higher tendency to migrate due to over 50% of the surface having 

a greater axial force. 

A FSI comparison of a healthy and stenotic trachea was performed in Malvè et al. 

(2011d) using geometry obtained from a healthy and a diseased subject. The stenosis 

was modelled using a hyperelastic representation with properties twice as stiff as the 

muscular membrane. The stiff stenosis was found to reduce tracheal deflections and 

induce a significant pressure drop. The influence of stenting on a stenotic trachea 

was later explored (Malvè et al. 2011a). Diseased tracheal geometries pre and post 

stenting were obtained from CT. The Dumon stent used in the stenting procedure 

was modelled with a perfect adhesion to the tracheal wall, with the analysis initiating 

with the stent in the expanded condition. The stenosis reduced the airflow, again 

inducing a large drop in pressure, while the stented geometry exhibited more normal 

physiologic pressures. As in previous studies, the stent stiffened the tissue and 

reduced tracheal deflections. High stresses at the stent ends were detected during 

simulated respiration which were taken as an indication of possible future 

granulation formation. An interesting finding of the study was that local flow 

recirculation occurred at the stent ends which was postulated as a possible cause for 

the formation of mucous plugs.  

The influence of stent shape on flow recirculation was further investigated in a 

follow-up study (Malvè et al. 2012). The ends of a Dumon stent which are normally 

perpendicular to the cylindrical surface were altered to have a slope of 45°, 60°, or a 
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parabolic transition and their corresponding impact on recirculation was inspected. 

All alterations were found to improve the local flow without affecting tracheal 

stresses, with the parabolic transition having the most profound effect. 

A final study by Malvè et al. (2014) simulated Zilver Flex stent (Cook Medical) 

implantation in a healthy rabbit trachea. Tracheal geometries were obtained from CT 

taken before and after stent implantation, and the cartilage rings and muscular 

membrane were visualised as previously described. Rabbit material properties and 

pressure distributions were also attained. Cartilage and muscle were both modelled 

as isotropic and fit to a Demiray strain energy density function. The stent geometry 

was obtained directly from the CT, and assumed to be in perfect adhesion with the 

tissue. The nitinol properties of the laser-cut stent were assumed linear-elastic, with 

a Young’s modulus corresponding to nitinol’s stiffer austenitic phase (40 GPa). 

Normal breathing was simulated in both the unstented and stented trachea models 

using FSI analysis, and results were visually compared to stented animals. As before, 

only radial deformation was considered. High stresses throughout the stent 

implantation site were shown to correlate with granulation formation and tissue 

reactivity experimentally. Low wall shear stresses (WSS) were also identified in these 

areas. Low values of WSS have previously been proposed as having a role in tissue 

inflammation in cardiovascular applications (LaDisa et al. 2005; Balossino et al. 2008; 

Morlacchi et al. 2011). 

The influence of tracheal stenting on swallowing was investigated by Pérez del 

Palomar et al. (2010) using the finite element method. A tracheal model from a 

healthy man was used to create a tracheal computational model geometry which 

contained cartilage ring and muscle membrane representations. Material properties 

were obtained from experiments previously performed by the group (Trabelsi et al. 

2010). A Holzapfel constitutive model was used to model the muscle membrane and 

a Neo-Hookean constitutive model was used to represent cartilaginous properties. A 

mesh adaptation algorithm was utilised to deform the obtained tracheal geometry 

to fit the tracheas of two patients before stent implantation. The swallowing motion 

of each patient before and after stent implantation was recorded by tracking the 

thyroid cartilage motion using fluoroscopy. Stent implantation was simulated by 
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radially deforming a cylindrical surface representing a Dumon stent to a diameter 

slightly larger than the trachea to capture the stress in the tissue from stent 

expansion. This method rigidly stiffens the stent. A coefficient of friction of 0.1 was 

used between the stent and tissue surfaces. To simulate the swallowing motion 

displacement boundary condition were applied to the top surface of the trachea, 

while the distal end of the trachea was fixed. The recorded displacements before 

implantation were applied to the unstented tracheal geometries, and the stented 

measurements were applied to the stented geometries. The stress for one patient 

model almost tripled after stent implantation and their ability to swallow was 

predicted to be reduced by around 28%. The high stress was associated with 

granulation tissue formation at the proximal end of the stent which was observed 

experimentally. The stenting procedure simulation had little predicted effect on the 

second patient, which also correlated clinically, as the second patient did not require 

further intervention after stent implantation.  

This work on the influence of stenting on swallowing was further investigated by 

Trabelsi et al. (2011). A reference geometry was obtained from the CT of a healthy 

man, and cartilage, smooth muscle and annular ligaments were all modelled. 

Material properties were obtained from the same study as before (Trabelsi et al. 

2010). In this instance an analysis undertaken showed that a Neo-Hookean 

constitutive model was a suitable substitute for the more complex Holzapfel 

constitutive model previously used for modelling smooth muscle, showing very little 

effect on predicted stresses. Cartilage was modelled using a linear-elastic 

representation and the annular ligaments were modelled with a Neo-Hookean 

constitutive model. Again, stent implantation simulations for two patients were 

considered. However in both cases the geometry from a healthy patient was used for 

modelling and only the deformation applied to the tracheal surface was varied 

depending on patient-specific displacement data. Stent implantation was simulated 

as before. Results showed a significant increase in stress for one patient model at the 

proximal stent end, while the second patient model presented little change in 

maximum stress, even with the stresses associated with stent expansion. Another 
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finding of the study was that the simulations predict that patients can lose their 

natural ability to swallow by over 18.9% after stent implantation. 

Modelling of the implantation of a Montgomery T-tube and its impact on swallowing 

and mechanical ventilation was subsequently investigated (Trabelsi et al. 2015). A 

healthy tracheal geometry was attained for computational simulation as earlier. A 

circular perforation with an 8 mm diameter was introduced to the tracheal geometry 

(below the second cartilaginous ring) to represent the tracheotomy required to insert 

the external limb of the Montgomery T-tube stent. The stent was modelled as two 

perpendicular cylindrical tubes which were radially deformed to their clinical 

diameters to capture the stress in the tissue from expansion. A coefficient of friction 

of 0.5 was used in this analysis. The swallowing motion was then modelled by 

applying a force to the superior surface of the trachea corresponding to values 

presented in previous work (Trabelsi et al. 2011). Results from the stented trachea 

simulation were compared to results for the corresponding healthy trachea 

previously reported. The simulations predicted that the patient model was found to 

lose 75% and 63% of his natural motion in the z and y directions respectfully. The 

maximal principal stress was found to be three times higher after stenting, indicating 

the possible formation of granulation tissue. A CFD (computational fluid dynamics) 

analysis evaluating mechanical ventilation of the stented geometry was performed 

in addition. The boundary conditions associated with a FSI analysis were considered 

too complex to implement in the analysis. The CFD results indicated that due to the 

high pressures associated with mechanical ventilation the trachea may be in a 

constant state of high stress. 

More recently, Chaure et al. (2016) modelled the implantation of two stent types in 

a rabbit model using FSI analyses. Zilver Flex and WallStent (Boston Scientific) stents 

were experimentally implanted in a number of rabbits. The tracheal geometry was 

idealised as a cylindrical tube with cartilaginous and muscular membrane regions 

measured from a dissected sample. Tissue properties were obtained from tensile 

testing and fit to the Demiray strain energy density function. The laser-cut Zilver Flex 

geometry was attained from CT of an implanted stent. The WallStent (a braided 

stainless steel stent) geometry was approximated, with contact between individual 
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wires neglected and cross-over points modelled as solid hinges. A perfect adhesion 

was assumed between the stent surfaces and the tissue surface, and stent material 

properties were represented using linear-elastic representations. FSI of normal 

breathing for the unstented and stented conditions was evaluated using conditions 

determined from spirometry performed on a rabbit. Only tracheal motion in the 

radial direction was considered. Stent deployment was simulated using a radial 

displacement boundary condition that allows tissue stresses to be obtained, but 

results in rigid stiffening of the stent. Results of the analyses were compared with 

experimental findings from the stent implantations. Inflammation, epithelial 

thickening and granulation were experimentally reported, and compared to 

computational results of maximum principal stress and WSS. High levels of 

inflammation, epithelial thickening and granulation tissue were found for the 

WallStent, while lower levels were found for the Zilver Flex stent. This corresponded 

well with the computational stress prediction with the WallStent producing higher 

stresses than the Zilver Flex stent. Low values of WSS were obtained for both stented 

geometries along the stent edges, where higher WSS was predicted for the stent-free 

geometry. The study concluded that the computational results suggest that the stress 

induced from stent deployment may have a greater influence on tissue response than 

fluid dynamics. 

To summarise, much work has been performed on the computational modelling of 

tracheal stenting analyses. Complex anatomical geometries are often employed that 

consider the heterogeneity of the trachea, with cartilage and smooth muscle 

representations. Isotropic and anisotropic properties are commonly employed. 

While complex FSI models considering normal breathing, coughing and mechanical 

ventilation have been employed (Malvè et al. 2011c; Malvè et al. 2014; Chaure et al. 

2016), these do not consider the out-of-plane motions associated with respiratory 

motion. Although, work performed in some studies did consider the out-of-plane 

motion associated with swallowing (Perez del Palomar et al. 2010; Trabelsi et al. 

2011; Trabelsi et al. 2015). In all the presented works, the stents and associated 

interactions were significantly simplified. Often, the stresses related to the stenting 

procedure in both the stent and the tissue were not considered. Or, the stent was 
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modelled as a rigid structure which was unable to deform under physiological loading 

due to the enforcement of displacement boundary conditions. The interaction 

between the stent and tissue was often simplified by assuming a perfect adhesion 

between the two structures, though contact was considered in some instances. In 

the presented literature, stent properties are modelled using linear-elastic relations 

which would fail to capture the complex behaviour of the stent, and its effects on 

airway physiology. Finally, stent analyses below the trachea have not been 

considered. 

1.5.3 Respiratory Motion Modelling 

Lung motion modelling is used to describe the motion of the organ or structures 

within the organ for a motion of interest, such as a respiratory cycle (McClelland et 

al. 2013). Typical clinical applications of lung motion modelling include reducing 

motion-induced artefacts to help improve image quality for diagnosis and treatment 

planning (Lamare et al. 2007; Wolthaus et al. 2008), and simulating lung motion for 

tumour motion prediction for more efficient radiotherapy treatment (Sharp et al. 

2004; Seppenwoolde et al. 2007). Lung motion has been measured in a large variety 

of ways, including 4D CT, ultrasound, fluoroscopy, optical sensors and 4D MRI (Davies 

et al. 1994; Kubo and Hill 1996; Vedam et al. 2001; Plathow et al. 2004; Mageras et 

al. 2004). With CT being the preferred modality in recent years.  

The two primary methods for lung CT acquisition is from static breath hold and 

dynamic CT (4D CT) scans during normal breathing (Werner et al. 2009; Tawhai et al. 

2009). For static breath hold acquisition, the lungs are often imaged at Total Lung 

Capacity (TLC) and Functional Residual Capacity (FRC). Static scans are usually of high 

quality as motion-induced artefacts are less of a problem. 4D CT scans are obtained 

over the course of several breaths (Castillo et al. 2010). An external monitor is used 

to record breathing phase so that corresponding phases can be reconstructed, or 

average motion can be attained (Vedam et al. 2003; Pan et al. 2004). Any time point 

can be reconstructed, but typically end-inspiration (EI) and end-exhalation (EE) are 

most often used. Dynamic images tend to be lower quality than static images due to 

the combination of lung motion and the grouping of images from different breaths. 
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The principal methods used to model lung motion are image registration and 

biomechanical modelling. Due to the highly deformable nature of the lungs, non-rigid 

registration procedures known as deformable image registrations (DIR) are used. DIR 

algorithms map lung motion between separate images by matching geometric 

features or pixel intensity (Crum et al. 2004; Tustison et al. 2011). This involves 

finding a transformation that minimises the difference between the two images once 

deformed by the transformation (Bel-Brunon et al. 2014). Many different DIR 

algorithms have been proposed, and their advantages and disadvantages are 

discussed in greater detail in Brock (2010) and Murphy et al. (2011). However, the 

greatest universal disadvantage of DIR algorithms is that they neglect the physical 

properties and physiological processes associated with the lung as motion is 

extracted directly from the image data (Klinder et al. 2008; Werner et al. 2009). DIR 

methods are then more suited to applications where physiological changes in 

respiratory mechanics are not critical for the success of the analysis, such as the 

inclusion of airway deformation during CFD analysis (Yin et al. 2013; Ibrahim et al. 

2015). 

Biomechanical modelling uses the laws of physics to take account of the variability in 

respiratory motion (Fuerst et al. 2015). Typically, an anatomical model is created, 

which is used to simulate lung motion during respiration using the finite element 

method. Changes in input parameters can then be used to predict lung deformation 

under differing conditions. It has previously been applied to applications such as 

determining the effect  gravity has on respiratory physiology (West and Matthews 

1972; Tawhai et al. 2009), and tumour tracking and prediction of tumour 

deformation (Al-Mayah et al. 2008; Werner et al. 2009). Two common strategies 

utilised to realise lung motion are surface projection and pressure loading. For both 

methods the lung geometry at a particular phase is obtained, typically as a 

continuous and homogenous solid. Then for the surface projection method the lung 

surface is projected onto the corresponding surface at another respiratory phase, 

and respiration motion is simulated through contact constraints (Al-Mayah et al. 

2008; Tawhai et al. 2009; Al-Mayah et al. 2010). While for pressure loading, the solid 

lung geometry is expanded by applying a pressure directly to the lung surface, with 
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the overall deformation being limited to a corresponding surface phase (Villard et al. 

2005; Werner et al. 2009; Eom et al. 2010). 

While biomechanical lung models were first introduced in the 1970’s (Mead et al. 

1970; West and Matthews 1972), it wasn’t until more recently that studies began 

evaluating realistic lung geometries through the use of CT (Zhang et al. 2004; Villard 

et al. 2005). To simplify the complex lung geometry the lung was considered a 

homogenous and isotropic solid, and the airways, vascular system and fissures 

between lobes were neglected. The solid lungs were expanded from End Exhalation 

(EE) to End Inhalation (EI) using uniform pressure applied to the EE surface, and the 

final volume was limited by contact with a shell representation of the EI lung. Both 

studies considered the lung to behave linear-elastically. Villard et al. (2005) evaluated 

the influence of varying Young’s modulus and Poisson’s ratio, and found that while 

Young’s modulus only affected the pressure required to suitably inflate the lung, 

Poisson’s ratio affected shear stresses and so should not be chosen arbitrarily. 

Tawhai et al. (2006) investigated soft-tissue deformation and ventilation in the ovine 

lung. CT was obtained at six static pressures between 0 and 25 cmH2O in 5 cmH2O 

increments. The lung was modelled as homogenous and isotropic, and separate lung 

lobes were not considered. To account for the in-vivo stresses present in imaging 

data due to intrapleural pressure a uniform scaling of the 25 cmH2O (or TLC) volume 

was performed to around 25% of the initial volume. Lung motion was modelled by 

using identifiable landmarks at the various pressures to displace the nodes on the 

outer surface. However, this method is not ideal as inaccurate tracking can result in 

errors in lung deformation. Airway tree motion was determined in the model by 

tracking the deformation of nodes corresponding to airway branching points and 

produced an RMS error of around 4 mm. Tawhai et al. (2009) performed further 

biomechanical lung modelling on human lungs. In-vivo stresses were accounted for 

by implementing a uniform scaling of a homogenous lung volume from TLC to 50% 

of FRC. This time lung inflation was achieved using a surface projection method, 

where the outer surface of the lung was constrained to remain in frictionless contact 

with a surface representing the deforming pleural cavity. Pleural cavity deformation 

was determined by projecting the cavity surface at TLC onto the surface at FRC.  
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Landmark error was not considered. The study evaluated the effect of position on 

density gradient, and showed that the magnitude in the supine position was almost 

twice that of the prone. 

Al-Mayah et al. (2008) also used a surface projection approach. In this case, the initial 

lung position was taken at EI and the surfaces between the left and right lung cavities 

were used to deform the lungs to EE using either a frictionless sliding contact 

condition or a no-contact condition. The deformation was controlled by projecting 

the cavity surface at EI onto the EE lung surface, hence compressing the lung. Linear-

elastic and hyperelastic material properties were evaluated, with experimental test 

data (Zeng et al. 1987) fit to a Marlow hyperelastic constitutive model. Hyperelastic 

properties with contact were seen to dramatically improve results of the non-contact 

models. However, a linear-elastic contact model was not evaluated. Al-Mayah et al. 

(2009) went on to evaluate the effect of Poisson’s ratio and the coefficient of friction 

for sliding contact, proposing a Poisson’s ratio of 0.4 and frictionless contact as 

optimum parameters. Further enhancements were performed in a later study which 

investigated the effect of including the bronchial tree on lung deformation (Al-Mayah 

et al. 2010). The airways were discretised using a shell element representation, and 

only the volume outside of the bronchial tree was meshed. A variety of linear-elastic 

material representations with Young’s moduli between 0.01 and 18 MPa were 

considered for the bronchial tree. Global model accuracy was found to not be 

affected by the inclusion of the bronchial tree. However, it was shown to have some 

effect at a local level. Al-Mayah concluded that the assumption of lung homogeneity 

was adequate. A final study explored model optimisation with respect to element 

type and material constitutive representation (Al-Mayah et al. 2011). Four model 

variations were investigated, consisting of linear or quadrilateral tetrahedral 

elements and linear-elastic or hyperelastic material properties with a homogenous 

lung representation. An average landmark error of around 2.8 mm was obtained for 

all combinations, resulting in the proposal that linear material properties and linear 

element representations are favoured. 

Lung motion was again modelled using a uniform pressure applied to the outer 

surface of a homogenous lung volume by Werner et al. (2009). The lung tissue was 
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assumed homogenous and Young’s modulus and Poisson’s ratio were varied 

between 0.1 and 7.8 kPa and 0.2 and 0.45 respectively. Results showed that variation 

of either of the elastic parameters had little effect on lung motion fields. Here it was 

suggested that this may be due to the assumption of a homogenous lung volume and 

the gross motion of the lung being limited to a fixed geometry. An average landmark 

error of 3.3 mm was observed for an average landmark motion of 6.6 mm. 

Uniform pressure applied to the exterior of a homogenous, hyperelastic lung volume 

was used by Eom et al. (2010). However, unlike other similar models pressure was 

determined based on the instantaneous lung volume described by PV curves. Lung 

motion was modelled for both inspiration and expiration allowing lung hysteresis to 

be captured. Average landmark error was found to be in the region of 3.4 mm 

between EE and EI. Interestingly, landmark error at breathing phases between EE and 

EI and between EI and EE was not shown to be dependent on degree of lung 

expansion. 

More recently, Fuerst et al. (2015) proposed a model to predict lung motion without 

the need for a limiting geometry at EI by applying patient-specific thoracic pressures. 

The lung, thorax and diaphragm are obtained and divided into a number of different 

pressure zones to allow for non-uniform pressure application. Lung motion is realised 

through a collision model which ensures the lung surface remains within a set 

distance of the pressurised zones. An iterative process is used to determine the 

thoracic pressure needed to expand the assembly to the required position. After each 

iteration landmark position is compared at EI and pressures are adjusted to improve 

the fit. A homogenous and isotropic lung model is used together with a linear-elastic 

material representation. Landmark error over the entire respiratory cycle was shown 

to be around 3.4 mm. 

In summary, lung motion modelling can be performed in a variety of ways. CT is the 

most common method for geometry acquisition. While deformable image 

registration is commonly used, the rigid deformations required for its use make it 

unsuitable for stenting analyses. Biomechanical lung models have been proposed 

using a wide selection of inputs. The lung is typically modelled as a homogenous and 
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isotropic solid with a linear-elastic material representation. Material properties can 

vary within the evaluated ranges without overly-affecting landmark error which is 

usually in the order of 3 mm. The in-vivo stresses present in image data are generally 

not considered, though uniform scaling of the lung volume has been considered. The 

bronchial tree has also rarely been considered in previous analyses, having been 

shown to have little effect on global lung deformation. No modelling of lung 

respiratory motion for stenting applications has been studied. 

1.6 Thesis Structure 

This thesis is structured as an “Article-Based” thesis with three published journal 

papers (Chapters 2-4) and one journal paper under review (Chapter 5). Chapters 2-4 

are reproduced with minimal modification to the published subject matter. In each 

technical chapter (Chapters 2-5) a focused analysis of relevant literature is also 

provided. The chapters within the thesis are summarised below. 

Please note that the details on constitutive models utilised in Chapters 2-5 are 

discussed in Appendix 1. 

Chapter 1:  
The present chapter outlined the background and literature relevant to 

tracheobronchial stenting. This included details on: the lung’s structure and its 

functioning, tracheobronchial stent applications and complications, stent properties 

and, computational modelling of stents and lung motion. In each technical chapter 

(chapters 2-5) a focused analysis of relevant literature is also provided.  

Chapter 2: From Article by McGrath et al. entitled “Nitinol Stent Design - 

Understanding Axial Buckling”, Published in the Journal of the Mechanical Behavior 

of Biomedical Materials, 2014.  
The superelastic properties of nitinol allow self-expanding stents to be crimped over 

large diameter ranges without plastic deformation, but its nonlinear properties can 

contribute towards stent buckling. In this study the axial buckling of a prototype 

tracheobronchial stent is investigated. It is shown that the transitional plateau region 

of the nitinol stress-strain curve can have a significant effect on stent stability, and 



Chapter 1   

 

42 
 

by reducing the amount of transitional material within the stent hinges the stent 

stability can be considerably improved.  

Chapter 3: From Article by McGrath et al. entitled “Evaluation of Cover Effects on 

Bare Stent Mechanical Response”, Published in the Journal of the Mechanical 

Behavior of Biomedical Materials, 2016. 

Covered tracheobronchial stents are used to prevent tumour growth from re-

occluding the airways. In this study a combination of experimental and 

computational methods are used to present the mechanical effects that adhered 

covers can have on stent performance. It is shown that an adhered cover can 

significantly alter mechanical performance, and that the loading configuration that a 

stent is about to be subjected to should be considered before stent implantation. 

Chapter 4: From Article by McGrath et al. entitled “An ovine in-vivo framework for 

tracheobronchial stent analysis”, Published in Biomechanics and Modeling in 

Mechanobiology, 2017 

This study develops a computational framework to evaluate tracheobronchial stent 

designs in an ovine in-vivo model. Results of the analysis indicate that three of the 

major complications associated with tracheobronchial stents can potentially be 

analysed with this framework, which can be readily applied to the human case. 

Airway deformation caused by lung motion is shown to have a significant effect on 

stent mechanical performance, including implications for stent migration, 

granulation formation and stent fracture. 

Chapter 5: From Article by McGrath et al. entitled “Evaluating the interaction of a 

tracheobronchial stent in an ovine in-vivo model”, Submitted to Biomechanics and 

Modeling in Mechanobiology, 2017 

This study evaluates the effect of stent interaction on granulation formation in an 

ovine in-vivo model. Results of the analysis indicate a correlation between contact 

pressure variation and granulation tissue formation, where the change in contact 

pressure provides a quantitative assessment of tissue irritation due to stent 

interaction.  
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Chapter 6:  

The primary conclusions of the presented work are summarised and 

recommendations for future work are discussed. 
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A.1 Appendix 1 

A.1.1 Constitutive Models 

In Chapters 2, 3, 4 and 5 of this thesis simulations are described that required the 

solving of continuum mechanics problems using the commercial finite element solver 

Abaqus (DS SIMULIA, USA). This section outlines the constitutive formulations 

implemented in Abaqus which are used to describe the mechanical behaviour of the 

polymeric stent cover materials, the lung tissues and the nitinol stent material 

utilised. Additional information on the theoretical framework can be found in 

Malvern (Malvern 1969), Belytschko et al. (Belytschko et al. 2000), and the Abaqus 

Theory Manual (DS SIMULIA, USA). 

A.1.1.1 Hyperelastic Constitutive Models 

Typically hyperelastic materials display a non-linear stress-strain relationship that 

cannot be suitably captured utilising a linear stress-strain response. Instead, 

hyperelastic material behaviour is derived from a strain energy density potential, 𝑈, 

which defines the strain energy stored in the material per unit of reference volume 

as a function of deformation. The polynomial strain energy potential is given by: 

𝑈 = ∑ 𝐶𝑖𝑗(𝐼1̅ − 3)𝑖(𝐼2̅ − 3)𝑗 + ∑
1

𝐷𝑖

𝑁

𝑖=1

𝑁

𝑖+𝑗=1

(𝐽𝑒𝑙 − 1)2𝑖 
(1.1) 

where 𝐶𝑖𝑗 and 𝐷𝑖  are material constants, 𝐽𝑒𝑙 is the elastic volume ratio, 𝐼1̅ and 𝐼2̅ are 

the first and second invariants respectively, and 𝑁 determines the number of terms 

in the polynomial. For more information see the Abaqus Theory Manual (DS SIMULIA, 

USA). 

In this thesis, two different polynomial forms were used to model the polymers for 

the stent cover and the lung tissues. The Neo-Hookean form, which is a reduced 

order polynomial hyperelastic model is used in this work for modelling the isotropic 

deformation of the polymers used as part of the stent cover in Chapters 3 and 5: 

𝑈 =  𝐶10(𝐼1̅ − 3) +
1

𝐷1
(𝐽𝑒𝑙 − 1)2 

(1.2)  
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A second order reduced polynomial was used to model the parenchymal and airway 

tissue in Chapters 4 and 5 as given by 

𝑈 =  𝐶10(𝐼1̅ − 3) + 𝐶20(𝐼1̅ − 3)2 +
1

𝐷1
(𝐽𝑒𝑙 − 1)2 +

1

𝐷2
(𝐽𝑒𝑙 − 1)4 

(1.3)  

A.1.1.2 Nitinol Constitutive Model 

Nitinol was modelled in this work using the in-built superelastic user material in 

Abaqus/Standard (UMAT) and Abaqus/Explicit (VUMAT) based on the constitutive 

model proposed by Auricchio and Taylor (Auricchio et al. 1997; Auricchio and Taylor 

1997). The theory is based on general plasticity, where the change in strain, ∆𝜺, is 

broken into two components, a linear elastic component, ∆𝜺𝑒𝑙, and a 

transformational component ∆𝜺𝑡𝑟, as described by: 

∆𝜺 = ∆𝜺𝑒𝑙 + ∆𝜺𝑡𝑟 (1.4)  

The transformation from austenite to martensite occurs between a range of stresses 

(𝝈𝑡𝐿
𝑆 to 𝝈𝑡𝐿

𝐸  (Fig. A1.1)) determined by alloy specific characteristics, where the 

transformation component is defined by: 

∆𝜺𝑡𝑟 = 𝛼∆𝜁
𝜕𝐹

𝜕𝝈
 

𝐹𝑆 ≤ 𝐹 ≤ 𝐹𝐹 

(1.5) 

 

(1.6) 

 

where 𝛼 is a scalar value denoting the upper limit of the martensite detwinning 

deformation, 𝜁 is the fraction of martensite, and 𝐹 is the transformation potential. 

The reverse transformation component follows the same expression but at lower 

stress levels (𝝈𝑡𝑈
𝑆  to 𝝈𝑡𝑈

𝐸  (Fig. A1.1)). A stress potential law is used to determine the 

intensity of the transformation: 

∆𝜁 = 𝑓(𝝈, 𝜁) ∆𝐹 (1.7)  

As there is a small volume change associated with the stress induced martensite 

transformation, a lower level of stress is needed to generate the transformation in 

tension than in compression. Similarly, the stress levels at which transformation 
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occurs can be affected by temperature alterations, which produce a linear change in 

the required stresses. To account for these effects a linear Drucker-Prager approach 

is utilised for the transformation potential: 

𝐹 = 𝝈𝑒 − 𝒑𝑡𝑎𝑛𝛽 + 𝐶𝑇 (1.8)  

where 𝝈𝑒 is the von Mises equivalent stress, 𝒑 is the pressure stress, 𝛽 and 𝐶 are 

material constants and 𝑇 is temperature. The material parameters required to model 

the superelastic behaviour of nitinol in Abaqus are provided in Table A1.1. The 

specific parameters used to model nitinol in this thesis are given in Chapters 2-5. A 

more detailed discussion on the constitutive model can be obtained in the studies 

performed by Auricchio and Taylor et al. (Auricchio et al. 1997; Auricchio and Taylor 

1997). 

 

Fig. A1.1: Schematic representation of a nitinol stress-strain curve highlighting points of interest for 

the inbuilt subroutine. Characters described in Table A1.1. 
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Table A1.1: Nitinol material properties required for the Abaqus nitinol constitutive model. 

Parameter 

Austenite Elasticity (𝑬𝑨) 

Austenite Poisson’s Ratio (𝝂𝑨) 

Martensite Elasticity (𝑬𝑴) 

Martensite  Poisson’s Ratio (𝝂𝑴) 

Transformation Strain (𝜺𝑳) 

Start of Transformation Loading (𝝈𝒕𝑳
𝑺 ) 

End of Transformation Loading (𝝈𝒕𝑳
𝑬 ) 

Reference Temperature (𝑻𝟎) 

Start of Transformation Unloading (𝝈𝒕𝑼
𝑺 ) 

End of Transformation Unloading (𝝈𝒕𝑼
𝑬 ) 

Start of Transformation Stress During Loading in 

Compression (𝝈𝑪𝑳
𝑺 ) 

Volumetric Transformation Strain (𝜺𝑽
𝑳 ) 
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Abstract 

Nitinol’s superelastic properties permit self-expanding stents to be crimped without 

plastic deformation, but its nonlinear properties can contribute towards stent 

buckling. This study investigates the axial buckling of a prototype tracheobronchial 

nitinol stent design during crimping, with the objective of eliminating buckling from 

the design. To capture the stent buckling mechanism a computational model of a 

radial force test is simulated, where small geometric defects are introduced to 

remove symmetry and allow buckling to occur. With the buckling mechanism 

ascertained, a sensitivity study is carried out to examine the effect that the 

transitional plateau region of the nitinol loading curve has on stent stability. Results 

of this analysis are then used to redesign the stent and remove buckling. It is found 

that the transitional plateau region can have a significant effect on the stability of a 

stent during crimping, and by reducing the amount of transitional material within the 

stent hinges during loading the stability of a nitinol stent can be increased. 

2.1 Introduction 

Tracheobronchial stenting is indicated for many applications in the lung (Saito and 

Imamura 2005; Chin et al. 2008; Freitag 2010), of which the most common is the 

restoration of lumen patency due to narrowing caused by tumour growth (Freitag 

2010). In the majority of cases this is a palliative procedure used to avoid suffocation 
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and improve the patient’s quality of life. The affected area is accessed through the 

use of a rigid (or sometimes flexible) bronchoscope inserted through the mouth and 

guided fluoroscopically. Once the bronchoscope is in position it creates a direct path 

for the stent catheter to track through, where the stent is then expanded to re-open 

the occluded airway. Numerous polymeric and metallic stent designs using various 

deployment mechanisms have been commercially launched for use in the 

tracheobronchial region, and much literature exists on the complications associated 

with the use of these stents (Bolliger et al. 1996; Madden et al. 2004; Ryu et al. 2006; 

Bolliger et al. 2006; Dooms et al. 2009; Furukawa et al. 2010; Fernández-Bussy et al. 

2011). But nothing to the authors’ knowledge has been published with regard to 

complications observed during stent design. 

Nitinol is a widely used material for the manufacture of self-expanding (SE) 

tracheobronchial stents, due to its superelastic properties and excellent 

biocompatibility (Duerig et al. 2000; Stoeckel et al. 2004). Nitinol can reach strains in 

excess of 10% without plastically deforming (Duerig et al. 2000; Stoeckel et al. 2004), 

making it possible to crimp and deploy a stent in a self-expanding manner. Nitinol is 

a complex engineering material that can exhibit both shape memory and superelastic 

properties. At temperatures above which nitinol is completely austenitic, 

superelastic behaviour can be achieved by stress induced transformation from the 

austenitic phase to the martensitic phase, where removal of the applied stress results 

in complete strain recovery (Otsuka and Ren 2005; Robertson et al. 2012). Loading 

and unloading of the material at this temperature results in a stress-strain plot similar 

to that shown in Fig. 2.1, where the loading response can be divided into three 

distinct sections: austenitic, transitional and martensitic. The austenitic stage is 

represented by a stiff linear stress-strain relationship during the initial loading of the 

austenitic phase. After <1% strain, nitinol enters the transitional stage during which 

large increases in strain result in only small changes in stress. During this transitional 

stage the austenite begins to transform to martensite, where continued loading 

increases the volume fraction of stress induced martensite until the transformation 

is complete. Finally, in the martensitic stage additional loading initially results in an 
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essentially linear elastic martensitic response, which if strained excessively can result 

in plastic deformation. 

 

Fig. 2.1: Schematic stress-strain curve for load and unload of nitinol highlighting the three stages 

during loading: austenitic, transitional and martensitic. 

Self-expanding nitinol stents must undergo large deformations when being loaded 

into the delivery system and this can lead to problems with stent buckling during 

device design - associated with the compliant transitional plateau stage. This buckling 

effect has been observed during the development of a prototype nitinol 

tracheobronchial stent; sudden asymmetric axial displacement of stent struts during 

crimping has resulted in the loss of mechanical stability of the stent. If the stent 

remains in the buckled configuration after deployment it can have a number of 

undesirable side-effects. A buckled stent will have a lower overall stiffness resulting 

in less mechanical support during extreme loading conditions (e.g. during coughing) 

which can lead to increased chance of stent migration. Reduced stiffness can result 

in larger strut displacements which can reduce the fatigue life of the stent owing to 

increased strain amplitudes. Additional relative axial displacement of stent rings can 

cause unnecessary irritation to the surrounding tissue causing unwanted 

inflammatory responses.  To the authors’ knowledge no literature exists on the cause 

behind the buckling of nitinol stents. 

Nitinol’s complex material properties are commonly represented in Abaqus using the 

Auricchio constitutive model (Auricchio et al. 1997), which captures each aspect of 

the nitinol load-unload curve based on generalized plasticity theory. Many 

computational studies have been performed to investigate various aspects of SE 
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stent design including: fatigue life, in-vivo loading and radial force optimisation 

(Rebelo and Perry 2000; Gong et al. 2004; Kleinstreuer et al. 2008; Chen et al. 2012; 

García et al. 2012; Azaouzi et al. 2012; Azaouzi et al. 2013; Ghriallais and Bruzzi 2014). 

Kleinstreuer et al. (2008) investigated the effect of stent crimping, deployment and 

cyclic loading on stent-graft fatigue life and radial force of diamond shaped 

specimens. Ghriallais and Bruzzi (2014) studied the effect that boundary conditions 

and assumptions have on SE stent modelling and radial force accuracy. Azaouzi et al. 

(2012; 2013) performed a design optimisation focusing on improving the fatigue life 

of a Cordis SMART stent and also examined the effect that stent dimensions have on 

a SE stent deployed within an artery. García et al. (2012) investigated the effects of 

varying strut width and thickness on variable radial force of an Abbott Acculink 

device. Chen et al. (2012) performed a numerical analysis on the effect of strut length 

on radial force and fatigue performance. These studies investigated different aspects 

of nitinol stent design but have not reported stent buckling during loading, although 

Azaouzi et al. (2012; 2013) did use a static stabilization coefficient to reduce dynamic 

effects brought on by buckling. Nitinol stent buckling was detected by Gong et al. 

(2004) experimentally during crush testing which was computationally replicated, 

however no explanation for the buckling was provided. 

Balloon expandable (BE) stents are often tested to collapse during radial strength 

testing. Normally BE stents undergo a small decrease in stent diameter before losing 

mechanical stability and buckling (Rieu et al. 1999; Shen et al. 2008). For these stents, 

the  collapse is caused when the stent struts reach a limit load and plastic flow 

ensues, where a small increase in load results in a large displacement before eventual 

failure (Dumoulin and Cochelin 2000). Analogously, it is proposed in this work that 

the non-linear material properties of nitinol can lead to buckling, due to an unstable 

softening of the stent hinges caused by the low stiffness in the transitional stage. 

The objective of the present study is to investigate axial buckling observed during 

crimping of a large diameter nitinol stent and through elucidation of the buckling 

mechanism to eliminate it from the design. This is accomplished in three steps. 

Firstly, the experimentally observed buckling is replicated computationally to identify 

the main buckling mechanism. Then a stability analysis is carried out on a repeating 
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unit to evaluate the effect that transitional strain distribution has on stent unit 

stability, using the buckling mechanism determined. Finally the results of the stability 

analysis are used to design a stent capable of resisting axial buckling, which is then 

validated experimentally.  

2.2 Methods and Results 

2.2.1 Stent Fabrication 

All stents were laser-cut from a single nitinol tube lot with 5.0 mm OD and thickness 

of 0.23 mm. The stents were expanded and shape set over a cylindrical mandrel to 

approximately 15 mm OD x 30 mm length after which electropolishing was 

performed. The fabricated stents contained typical defects observed during stent 

production, including a non-uniform radial unit angle (Fig. 2.2) which occurs due to 

the friction between the laser-cut stent and the mandrel during expansion. These 

defects are commonly found during fabrication and would not be considered 

significant enough to inhibit the mechanical performance of the stents. 

 

Fig. 2.2: Image of the fabricated prototype stent highlighting the non-uniform radial unit angle 

defect. The parallel lines mark the outer edges of a repeating unit along the axial length of the stent. 

The radial angle of these unit lengths are not equal with θ1 being slightly larger than θ2 as can be 

seen from the distance between the lines.  

2.2.2 Part 1: Buckling Observation and Determination 

In this section the prototype stent buckling mechanism is determined from 

experimentally validated computational models. Axially buckling stents are 

experimentally crimped and unloaded during a radial force test. Quantitative and 

qualitative experimental test results are then used to validate a computational model 
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which uses geometric and material defects to allow the axial buckling mechanism to 

be determined. 

2.2.2.1 Experimental Testing 

Radial force testing is carried out on five stents using a 12-faced crimping head 

(RX500-102 Radial Force Expansion Force Gauge -Machine Solutions Inc.). The stent 

is crimped and unloaded at a rate of 0.1 mm/s from its nominal 15 mm OD to 5 mm 

OD at 37 °C. 

2.2.2.2 Nitinol Material Properties 

Material properties are obtained by performing tensile tests on samples cut from the 

same nitinol tubing lot used for stent fabrication. The tube is cut and heat-treated 

under similar conditions to the stents. Three tube samples are strained to 6%, 

completely unloaded and subsequently re-loaded to failure, at a rate of 3 mm/min. 

The results of the tensile test are used to calibrate the material model for nitinol in 

Abaqus (DS SIMULIA, USA) using the in-built Auricchio constitutive model. Nitinol 

material properties are fit to the average curve of the tensile tested samples as 

shown in Fig. 2.3 and the parameters used can be found in Table 2.1. The material 

model is assumed to be symmetric in tension and compression as is common in the 

literature (García et al. 2012; Ghriallais and Bruzzi 2014). In this study the effects of 

plastic deformation are not considered. 

 

Fig. 2.3: Average experimental tensile result versus computational fit. 
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2.2.2.3 Stent Model 

The initial as-cut stent geometry comprises of a repeating unit structure as shown in 

Fig. 2.4. The stent contains 12 units circumferentially and 14 longitudinally, and is 

symmetric about a section located at the centre of the axial length. Each repeating 

unit contains 5 hinges, of which 2 are attached to a longitudinal connector that spans 

the length of the stent. This initial design is referred to as A1 in later sections. 

To allow buckling to occur in the model, imperfections are introduced to the stent 

geometry during the expansion step to remove symmetry and allow asymmetric axial 

displacement. This is a similar approach to that undertaken by Asprone et al. (2013) 

and Lagaros and Papadopoulos (2006) on the buckling of honeycomb structures. A 

small non-uniform radial angle defect (described in Section 2.2.1) is used to remove 

symmetry in the model which creates a bias that forces the axial buckling to initiate.  

Table 2.1: Material properties used in the Abaqus UMAT/VUMAT. 

Parameter Value 

Austenite Elasticity (MPa) 53001 

Austenite Poisson’s Ratio 0.3 

Martensite Elasticity (MPa) 21500 

Martensite  Poisson’s Ratio 0.3 

Transformation Strain 0.038 

Start of Transformation Loading (MPa) 434 

End of Transformation Loading (MPa) 500 

Reference Temperature (°C) 37 

Start of Transformation Unloading (MPa) 210.3 

End of Transformation Unloading (MPa) 138.7 

Start of Transformation Stress During 
Loading in Compression (MPa) 

434 

Volumetric Transformation Strain 0.038 
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Fig. 2.4: Illustration of the as-cut A1 stent geometry. Inset: As-cut repeating unit highlighting the 5 

hinges in the repeating unit. Hinges 4 and 5 are connected to the longitudinal connector. 

Stent expansion is accomplished using Abaqus/Standard (V6.11) in three steps as 

illustrated in Fig. 2.5. Firstly, as is common in the literature, the as-cut stent geometry 

is placed over a rigid cylinder and radial boundary conditions are used to expand the 

cylinder (García et al. 2012; Ghriallais and Bruzzi 2014). Surface-to-surface hard 

normal and tangential penalty contact with a coefficient of friction of 0.1 is defined 

between the outside surface of the cylinder and the inside surface of the stent, which 

results in a symmetrical partially-expanded stent after the first step (Fig. 2.5 (b)). The 

radial angle defect is introduced in the second step and is accomplished by holding 

all nodes on 6 radial units through the length of the stent in the z-direction while 

continuing to expand the rigid cylinder (Fig. 2.5 (c)). By holding the nodes in this way 

the unit angle is restricted while keeping the stent cylindrical. In the third step the 

process is repeated holding 10 radial units as shown in Fig. 2.5 (d). This results in 3 

different unit radial angles around the circumference of the stent of 28.3°, 31.2° and 

32.7°. 

2.2.2.4 Radial Force Simulation 

Radial force testing is simulated using Abaqus/Explicit to enable large sudden 

deformations caused by asymmetric displacement during buckling to be captured. 

The defected expanded stent geometry is placed in the centre of the crimper head 

assembly (Fig. 2.6) which consists of 12 rigid body plates. Displacement boundary 

conditions on the rigid plates are used to reduce and subsequently increase the 

diameter of the stent. The radial force is measured using the sum of the magnitude 
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of the reaction force at the crimper plates reference points for one load and unload 

cycle. The ratio of kinetic to internal energy is maintained below 5% for the entire 

simulation apart for an increase to 8% at the point of buckling (Chung and Cho 1998). 

Semi-automatic mass scaling is used with a target time increment of 5.8E-7 and a 

lowest stable time increment of 6.1E-8. The typical simulation run time for this type 

of analysis is 1010 CPU hours performed on a SGI ICE X HPC cluster at the Irish Centre 

for High Performance Computing. A mesh convergence study was carried out and 

showed the max percentage Von Mises stress difference between the mesh used in 

the analysis and a finer mesh with a 7.73 fold increase in mesh density to be 2.13%. 

A mesh detail is shown in the inset in Fig. 2.6. 

 

Fig. 2.5: (a) Stent expansion model setup in as-cut configuration. The expansion tube material is 

defined with a Young’s Modulus of 2 GPa and a Poisson’s Ratio of 0.3, and is meshed with M3D4R 

elements. The stent is meshed using 575,424 C3D8R elements and a single node is held in the z-

direction to remove rigid body movement. (b) Step 1: The stent is expanded uniformly by expanding 

the tube radially. Radial units marked in black. (c) Step 2: A non-uniform radial angle defect is 

introduced by holding all the nodes on 6 radial units (highlighted red) in the z-direction, while 

expanding the tube radially. (d) Step 3: Step 2 is repeated holding the highlighted blue (6 radial 

units) and red nodes (4 radial units). The resulting average unit radial angles are 28.3° (Blue), 31.2° 

(Red) and 32.7° (Grey). 
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Fig. 2.6: Stent positioned within crimper plates. For all radial force simulations, general contact is 

defined with frictionless tangential and hard normal contact. Contact between the crimper plates is 

ignored. One node on the stent is held in the z-direction to remove rigid body motion. Inset shows 

mesh detail. The stent is meshed using four elements through the width and thickness. 

2.2.2.5 Results 

The results of the experimental and computational radial force testing are shown in 

Fig. 2.7. A good correlation exists between the experimental and computational 

results where a sudden significant drop in radial force signals the onset of axial 

buckling. Upon unloading the stents fully recover suggesting that the buckling 

observed is essentially a pseudo-elastic mechanism (Further analysis of the radial 

loading of a buckled stent is provided in Appendix 2). 

A good match between the model and experiment can also be seen in Fig. 2.8, where 

axial deformation (Fig. 2.8 (a) and (b)) and radial deformation (Fig. 2.8 (c) and (d)) are 

compared. 

In Fig. 2.9 the steps leading up to axial buckling during a crimping simulation are 

summarised using two repeating units at one stent end. It can be seen that Unit 1 

(Fig. 2.9 (a)) initially experiences higher strain levels than Unit 2, with more hinges 

within the transitional strain region at a radial displacement of 0.689 mm (Fig. 2.9 

(b)). This leads to bending of the longitudinal connector (Fig. 2.9 (c)) and eventual 

axial displacement caused by hinge closure (Fig. 2.9 (d)). 
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Fig. 2.7: Experimental and computational results for the radial force testing of the A1 stent design. 

The experimental result is typical of the tested stents. 

 

 

Fig. 2.8: Experimental and computational results of the radial force test. (a) Experimental skewed 

axial view after occurrence of buckling. (b) The corresponding computational skewed axial view. (c) 

Experimental radial view after occurrence of buckling. (d) The corresponding computational radial 

view. 
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Fig. 2.9: Initiation of buckling in stent model focusing on two end units. Initial radial angles of the 

two units are 28.3° (Unit 1) and 31.2° (Unit 2). Maximum principal logarithmic strain is shown at 

radial displacements of (a) 0.573 mm (b) 0.689 mm (c) 0.817 mm and (d) 0.954 mm. 

The percentage transitional material (i.e. the percentage of material in the 

transitional strain range) through a hinge in Unit 1 during loading is shown in Fig. 

2.10. A significant increase in the percentage of transitional material is seen between 

0.5 mm and 0.75 mm just before buckling occurs at 0.817 mm. 

 

Fig. 2.10: Percentage transitional material in the transitional strain range through A-A of Unit 1 is 

plot against radial displacement. Percentage based on number of nodes within absolute transitional 

strain region. 
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2.2.3 Part 2: Stability Analysis 

Due to its repeating unit structure, the stability of the stent during crimping depends 

on the stability of the repeating unit itself. A stability analysis is carried out using 

Abaqus/Standard to investigate how transitional strain distribution in a repeating 

unit affects its ability to resist axial displacement by varying geometric and material 

properties. This is performed using two 2D models: (i) a crimp analysis to determine 

the transitional strain levels within the unit during normal loading and, (ii) a 

sensitivity analysis to determine how sensitive the unit is to the observed buckling 

mechanism. 

2.2.3.1 Unit Geometry and Material Properties 

As the stent strut width and thickness (120 x 200 μm respectively) are small in 

comparison to the stent diameter (15 mm) it is possible to represent the repeating 

unit using 2D plane stress elements. During stent expansion (before heat setting) and 

crimping, the normal force applied to the surface of the stent results in the stent 

hinges being loaded tangentially, which can be replicated easily using the 2D 

configuration assuming all loads remain planar. A similar approach was used in the 

work of McGarry et al. (2004) and Donnelly et al. (2007). The as-cut unit is expanded 

to its equivalent nominal diameter through the use of displacement boundary 

conditions as described in Fig. 2.11. A mesh convergence analysis was performed in 

which the percentage difference Von Mises stress between the mesh used and a 2.3 

times finer mesh was 0.68%. 

The transitional strain distribution through the stent hinges is varied in the analyses 

in two ways. Strut length (L) is increased according to Table 2.2 to reduce the hinge 

angle (θ), which results in a reduction of the maximum strains experienced by the 

hinges during loading, and hence reduces the transitional strain distribution within 

the hinge. To remove the effect that a change in geometry may have on stent stability 

the austenitic Young’s modulus (EA) is varied according to Table 2.3. Changing EA 

alters the strain at which the material enters the transitional stage, demonstrating 

how varying the amount of transitional strain within the same unit cell affects its 

stability. It should be noted that changes to EA is for demonstration purposes only, to 
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compare the effects of varying transitional strain distributions within the same 

geometry. 

 

Fig. 2.11: Schematic diagram of the as-cut geometry deforming to the nominal repeating unit cell 

geometry. One edge of the unit cell is held in the horizontal direction while a horizontal 

displacement condition is placed on the opposite edge to expand it from 1.3 mm to 3.926 mm. One 

node is held in the vertical direction to remove rigid body motion. L is the strut length and θ is the 

hinge angle. Material properties used in the unit cell expansion are taken from Table 1. The 

geometry is meshed with 4,529 CPS4R plane stress elements. 

Table 2.2: Summary of unit strut length (L) variation and corresponding hinge angle (θ) used in the 

stability analyses. 

Unit L (mm) θ/2 (°) 

A1 1.08 35.68 

A2 1.98 19.69 

A3 2.08 18.86 

A4 2.38 16.52 

A5 2.68 14.83 

A6 3.18 12.95 

A7 3.68 11.65 
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Table 2.3: Summary of material variation used in stability analysis showing the variation in: 

Austenitic Modulus (EA) and Austenitic strain range (εA). For three different material models M1, M2 

and M3. 

Property/Material M1 M2 M3 

EA (GPa) 53.0 80.0 20.0 

εA (%) 0.82 0.54 2.17 

2.2.3.2 Crimp Analysis 

An analysis is performed to evaluate the transitional strain within the stent hinges 

during crimp. The expanded geometry is imported in its stress-free configuration and 

crimped to an equivalent diameter of 5 mm by reversing the displacement boundary 

conditions applied to expand the stent. During the crimping step the normal reaction 

force and logarithmic strain in the 1-1 direction along line A-A (Fig. 2.11) are 

recorded. The percentage of transitional material in the hinge is calculated along A-

A assuming a symmetric tensile and compressive nitinol response. This assumption 

may result in a slight under/over-prediction of the amount of line A-A in the 

compressive transitional region during crimp but should not overtly affect the model 

results (Nagl et al. 2011). The analysis is repeated for each unit in Table 2.2 with each 

material variation in Table 2.3, resulting in 21 models in total. 

2.2.3.3 Sensitivity Analysis 

To evaluate the effect of the transitional strain region on stent unit stability, a defect 

or perturbation similar to that used in the 3D analysis is introduced into the 

simulations to remove symmetry so as to allow for a resulting axial displacement.  

It is common to apply random geometric or material property variations to remove 

symmetry and introduce buckling to an analysis (Lagaros and Papadopoulos 2006; 

Asprone et al. 2013), but this can result in the defects driving the analysis, causing 

the simulations to over-predict the buckling effect. Instead a perturbation analysis 

can be performed to observe the sensitivity of the stent unit to buckling (Dumoulin 

and Cochelin 2000).  

By applying a controlled perturbation displacement which mimics the deformation 

observed from Part 1 it is possible to evaluate the effect that the transitional strain 

has on unit cell stability in a repeatable manner. This sensitivity assessment model is 
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setup with the same boundary conditions as the crimp analysis and the perturbation 

is introduced half-way through the crimp step by placing a displacement boundary 

condition of -0.4 mm in the 1-1 direction on the nodes along the line B-B in Fig. 2.11. 

This forces the hinge at the left connector to close at a faster rate and increases the 

strain through the hinge, simulating the buckling mechanism. The axial displacement 

of node ‘A’ (Fig. 2.11) is recorded during the analysis to indicate the unit’s ability to 

resist buckling. To easily compare the results of the various models, an instability 

parameter is assigned to each unit, which is evaluated using: 

𝐼𝑈 =
Δ𝑦

Δx
 

(2.1)  

where 𝐼𝑈 is the instability of the unit, Δ𝑦 is the change in axial displacement of Node 

C (Fig. 2.11) and Δx is the change in horizontal displacement. 

2.2.3.4 Results 

2.2.3.4.1 Crimp Analysis 

The percentage of hinge unit cross-section within the transitional strain range for a 

selection of models is shown in Fig. 2.12. It can be seen that the maximum percentage 

of transitional strain and its rate of increase are largest for shorter strut lengths (Fig. 

2.12 (b)). In Fig. 2.12 (c) a similar trend can be seen for a reduction in EA, with the 

longer εA significantly reducing the amount of transitional strain within the hinge 

during loading as expected. 

Increasing strut length decreases the maximum strains through the stent hinges but 

it also results in a significant decrease in radial force as illustrated in Fig. 2.13. 
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Fig. 2.12: (a) Contour plot of logarithmic strain in the 1-1 direction for A4 geometry and M1 material. 

Transitional strain percentage through the hinge during crimping of: (b) models with varying strut 

length (A1, A4 and A7) with material M1 properties (c) models with varying material properties (M1, 

M2 and M3) with A4 geometry. Transitional strain percentage through the hinge based on the 

number of nodes within the transitional strain region along line A-A in the 1-1 direction. It should be 

noted that a drop in the percentage of transitional strain occurs when a node passes into the 

martensitic strain range during crimping. 

 

Fig. 2.13: Plot of maximum radial force versus strut length for all geometries in Table 2 using M1 

properties (Table 3). 

 



Chapter 2   

 

79 
 

2.2.3.4.2 Sensitivity Analysis 

From the results of the sensitivity analysis it can be seen that as strut length increases 

the maximum axial displacement and the rate of axial displacement decrease (Fig. 

2.14 (a)). In Fig. 2.14 (b) a significant decrease is also shown for these values with 

increasing εA. 

 

Fig. 2.14: Axial displacement plotted against radial displacement after applying the perturbation at a 

radial displacement of 2.5 mm. Results are shown for: (a) changes in strut length (Table 2) and 

material M1 (Table 3) (b) Changes in material properties (Table 3) for A4 geometry (Table 2). 

The curves in Fig. 2.15 summarise the combined effects of geometric and material 

property changes. The plot shows that for shorter struts, with a shorter transitional 

range (or larger austenitic range (Table 2.3)), the instability of a unit can decrease 

significantly, and that for longer strut lengths material property changes become 

much less significant. 
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Fig. 2.15: Instability (𝐼𝑈) of each model was calculated using Eq. 2.1 at a radial displacement of 3 mm. 

2.2.4 Part 3: Stent Re-design 

Part 2 of the study investigated the effect that transitional strain distribution had on 

the stability of a repeating unit cell. It is shown in these results that an increase in 

strut length can significantly increase the stability of the unit, but this can result in a 

considerable reduction in radial force, which may be unacceptable. In this section the 

findings of Part 2 are implemented to increase the stability of the stent unit. The 

effect of small changes to strut width and hinge radii on radial force and instability 

are then observed, with the aim of designing and fabricating a buckling resistant stent 

with an adequate radial force. Radial force can also be improved by increasing tubing 

thickness, but this was not considered in this study as new nitinol tubing and material 

data would be required to validate the finite element models.   

2.2.4.1 Unit Re-design 

To perform the stent re-design a base unit first needs to be selected. Ideally the unit 

should have an instability tending towards zero and have a reasonable radial force. 

In this instance unit A6 is chosen as it has a low instability index (almost three times 

smaller than that of unit A5 and only just over 50% greater than unit A7 (Fig. 2.15)). 

The maximum radial force of unit A6 is almost 20% more than unit A7 and only 6% 

smaller than unit A5 (Fig. 2.13). However, further modification is required to unit A6 

as the predicted radial force is much lower than the original unit. In this instance the 

effect of small changes to strut width and hinge radii are examined as per Table 2.4 

and Fig. 2.16. A stability analysis similar to that described in Sections 2.2.3.2 and 
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2.2.3.3  is carried out to select an appropriate modified geometry with increased 

radial force but low instability (𝐼𝑈). It should be noted that the reduction in R1 

between unit A6 and B1 (Table 2.4) may introduce stress concentrations that would 

not be ideal in fatigue. However, this aspect was not considered as the main goal of 

the work was to remove buckling from the stent design. 

Table 2.4: Summary of changes made to the A6 unit, modified units labelled B 1-4. R1 is the inner 

hinge radius, R2 is the outer hinge radius, X1 is the vertical distance between the centres of the 

hinge radii and W1 is the strut width (Figure 16). The strut length and unit radial angle remain 

constant for each unit.  *Ends were squared. 

Variables/Units A6 B1 B2 B3 B4 

R1 (mm) 0.1 0.01 0.01 0.01 0.01 

R2 (mm) 0.22 0.19 0.19 0.19 0.19 

X1 (mm) 0 0 0 0.15 0.11* 

W1 (mm) 0.12 0.12 0.18 0.18 0.18 

 

 

Fig. 2.16: Schematic of unit B4 (Table 4) highlighting the relevant variables. R1 is the inner hinge 

radius, R2 is the outer hinge radius, X1 is the vertical distance between the centres of the hinge radii 

and W1 is the strut width. 

2.2.4.2 Radial Force 

Following on from the analysis in Section 2.2.4.1 above, the B4 geometry is selected 

from Table 2.4 to create a full stent geometry containing 12 radial and 8 longitudinal 

units, which is symmetric about the centre as with the A1 stent. The as-cut geometry 

is expanded using the same angular variation applied in Section 2.2.2.3 and material 

properties from Table 2.4 are used. A radial force test of the stent is simulated as per 
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Section 2.2.2.4. A B4 stent is also fabricated and experimentally tested to validate 

the simulation and show that the stent resists axial buckling.  

2.2.4.3 Results 

The effect that the changes make to the radial force and instability (𝐼𝑈) of the A6 unit 

are shown in Fig. 2.17 (a) and (b) respectively. Each incremental change results in an 

increase in radial force, while changes to the instability (𝐼𝑈) varied but improved 

overall. The B4 expanded unit and full 3D stent geometry are shown in Fig. 2.18. 

 

Fig. 2.17: Summary results for stent re-design showing (a) Maximum radial force (b) Instability. 

 

Fig. 2.18: Schematic of the expanded B4 stent and repeating unit with the final hinge configuration 

highlighted. 

The results of the radial force analysis on the B4 unit model are shown in Fig. 2.19. 

The computational and experimental match well and no sudden drop in radial force 

is recorded. However, the radial force exerted by the redesigned stent is significantly 

lower than that of the original buckling stent (Fig. 2.7). This is discussed further in the 
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Discussion (Section 2.3). The resulting stent design is also expected to decrease stent 

flexibility due to the increase in strut length and reduction in longitudinal units. This 

is not expected to affect the trackability or performance of the stent due to its 

delivery with the use of a bronchoscope and deployment into a relatively straight 

geometry in the tracheobronchial region. 

 

Fig. 2.19: Experimental and computational results for the radial force testing of the B4 stent. There is 

a good match between the experimental and computational results with no indication of stent 

buckling. 

2.3 Discussion 

Nitinol’s super-elasticity allows stents to reach large enough strains to be crimped 

from an expanded configuration to a delivery diameter without plastically deforming 

the stent hinges, but the design of a functional nitinol stent can be hampered by the 

materials non-linear properties. Above ~1% strain austenite begins to transform to 

martensite, resulting in a load plateau with a large change in strain for a small 

increase in load. It is proposed in this study that the plateau region could be 

responsible for destabilising the hinges in a stent which can ultimately lead to 

buckling of the stent. 

The finite element method is used to identify the buckling mechanism observed in a 

prototype tracheobronchial stent by replicating the crimping of the stent during 

radial force testing. The introduction of small defects to the stent geometry removes 

symmetry within the model and allows the asymmetric loading and displacement of 

the stent. A good match between the experiment and computational model is shown 
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in Fig. 2.7 and Fig. 2.8, where the experimental buckling is captured by a sudden drop 

in radial force and axial displacement of stent units.  

A possible explanation for the buckling observed in this work is provided here. Firstly, 

consider a stent hinge during crimping. Initially all of the material within the stent 

hinge is austenitic, but as the stent diameter reduces and the strain within the hinge 

increases part of this hinge enters the transitional stage. As the transitional stage has 

a much lower stiffness than the austenitic (or even martensitic) stage (Fig. 2.1), a 

reduction in stiffness is to be expected similar to that observed in plastic hinges for 

elastic-perfectly-plastic materials. While the overall stiffness of the hinge is also 

dependent on factors like the hinge curvature and strut length, the stiffness of the 

base material can have a significant effect. If the amount of transitional material 

within the hinge tends towards 100% then the stiffness tends towards zero. This 

means that large displacement will be allowed under relatively small changes in force 

which makes the hinge unstable. If you consider that each repeating unit is made up 

of five hinges, and if all of these hinges are unstable then the unit itself is unstable. 

This can result in sudden stent buckling as observed. Which can be seen in Fig. 2.9 

where the reduction in stiffness of Unit 1 results in connector bending, followed by 

stent buckling. 

The effect of nitinol’s transitional plateau region on stent stability is highlighted 

through the use of a stability analysis where geometric and material properties are 

varied to alter the strain experienced by the repeating unit hinges. Upon comparing 

the effect that altering strut length has on stent axial displacement (Fig. 2.14(a)) with 

the strains observed in the stent hinges during loading (Fig. 2.12(b)) it can be seen 

that high maximum transitional strains, accompanied by high rates of transitional 

strain, show a susceptibility to buckling. The same observation is true for increasing 

the strain to the transitional range (Fig. 2.12 (c)), resulting in increasing axial 

displacement (Fig. 2.14(b)). 

In this study an instability parameter (𝐼𝑈) was introduced to indicate how unstable 

stent units are through the use of a single scalar. Using this value allows easy 

comparison between the effects that geometric and material properties have on 
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stent unit stability. From Fig. 2.15 it can be seen that a large increase in strut length 

significantly reduces the instability of the stent unit, this reduction is also observed 

for a longer strain to the transitional plateau (Table 2.3) for all units. These decreases 

in instability are expected as both modifications result in a reduction in the amount 

of transitional strain within the hinge during crimp. However, a large increase in strut 

length (decrease in hinge angle) also introduces an unexpected geometric effect 

whereby below a certain angle, the stability of the unit no longer depends on the 

amount of transitional material within the hinge, because the unit has limited room 

in which to axially displace. Shorter strut lengths and larger hinge angles reach higher 

strains faster leaving more room for compliant hinges to rotate and cause axial 

displacement. This cannot happen with longer struts and smaller angles due to the 

restricted angles within which the hinges can rotate and displace. 

The A6 unit geometry is initially selected to be used in the stent re-design due to its 

low instability (Fig. 2.15) and slightly higher radial force than the A7 geometry (Fig. 

2.13). However the radial force of this unit is lower than acceptable and so a second 

stability analysis is performed to increase the radial force while maintaining a low 

instability. From the results of this analysis (Fig. 2.17) it can be seen that an increase 

in radial force can be accomplished by making relatively small changes to the stent 

unit hinges and strut width while also reducing the stent unit instability. The B4 unit 

(Table 2.4) is used to fabricate a stent that successfully resists axial buckling both 

computationally and experimentally (Fig. 2.19), showing that axial buckling is 

successfully removed from the new design. The radial force of the B4 stent is lower 

than that of the original A1 stent (Fig. 2.7), but the chronic outward force based on a 

typical 20% oversizing is adequate compared to a commercially available 

tracheobronchial device which was found to have a chronic outward force of 11 N. If 

a stent with comparable radial force was required this could be easily implemented 

by increasing stent tube thickness, which increases radial force with little change to 

the in-plane strain distributions. 

2.4 Conclusions 

This study has shown that the transitional stage of nitinol loading can have an effect 

on the stability of a stent during crimp. If the amount of transitional strain within the 
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stent hinges becomes very high it leads to a reduction in hinge stiffness which can 

allow axial buckling caused by rotation and displacement of the compliant unit 

hinges. The stability of a nitinol stent unit can be increased by reducing the amount 

of transitional strain seen through the hinge during loading; this can be accomplished 

readily by changing the geometry of the stent repeating unit. It was also shown that 

reduced hinge angles can minimise the effect of this transitional strain effect. In 

summary this study provides significant new insights to the design process for self-

expanding stents, giving guidance on design features to optimize stability during 

crimping and deployment. 
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A.2 Appendix 2 

A.2.1 Stent Stiffness Post-buckling 

In this section the effect of deploying a buckled stent in the respiratory tree is 

considered, which highlights some of the disadvantages associated with this type of 

buckling. In general tracheobronchial stents are deployed with an oversizing of 

around 20%. For a 15 mm diameter stent this corresponds to 12 mm. In Fig. A2.1 

below the original stent is shown during computational radial force unloading at a 

diameter of 12 mm. The stent is still in its buckled configuration as it has not been 

allowed to return to its original diameter (where it would take up its symmetric, 

unbuckled configuration).  

 

Fig. A2.1: Original stent at 12 mm during unload still in a buckled configuration. 

While the stent can still conceivably provide scaffolding support in this configuration, 

it has a number of disadvantages. A buckled stent will have a lower overall radial 

stiffness than a non-buckled stent due to the reduction in geometric rigidity, resulting 

in a drop in mechanical support during extreme loading conditions (e.g. during 

coughing) which could lead to an increased chance of migration. To illustrate this a 

further analysis was performed where after crimping to 5 mm the stent was unloaded 

to 12 mm and then reloaded to 9 mm. From the corresponding radial force plot 

shown in Fig. A2.2 it can be seen that there is a significant reduction in stent stiffness 

during reloading which could potentially increase migration risk. Apart from this large 

strut deformations caused by the reduced stiffness could decrease the fatigue life of 

the stent owing to increased strain amplitudes, and additional axial displacement of 

stent rings could cause unnecessary irritation to the surrounding tissue causing 

unwanted inflammatory responses. So even though in theory this device could still 
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perform as a stent in the tracheobronchial region, these attributes are undesirable 

and should be removed from the design. 

 

Fig. A2.2: Results of the reloading model. Stent crimped by 5 mm (to 5 mm OD) unloaded 3.5 mm (to 

12 mm OD) and re-loaded 1.5 mm (to 9 mm OD). 
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Abstract 

Covered tracheobronchial stents are used to prevent tumour growth from 

reoccluding the airways. In the present work a combination of experimental and 

computational methods are used to present the mechanical effects that adhered 

covers can have on stent performance. A prototype tracheobronchial stent is 

characterised in bare and covered configurations using radial force, flat plate and a 

novel non-uniform radial force test, while computational modelling is performed in 

parallel to extensively inform the physical testing. Results of the study show that 

cover configuration can have a significant structural effect on stent performance, and 

that stent response (bare or covered) is especially loading specific, highlighting that 

the loading configuration that a stent is about to be subjected to should be 

considered before stent implantation. 

3.1 Introduction 

Lung cancer was responsible for 24% of male and 14% of female cancer deaths 

worldwide in 2012 (Islami et al. 2015). Around 30% of all lung cancer patients 

progress to develop problems with central airway obstruction due to extrinsic or 

intrinsic tumour growth restricting airflow through the airways (Bolliger et al. 2006; 

Lee et al. 2010). Primary tumours causing obstruction in the airway are rare, 

occurring in less than 0.1% of cases (Ernst et al. 2004; Macchiarini 2006), the 

obstruction is most often caused due to extrinsic compression from bronchogenic, 
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oesophageal and thyroid carcinomas (Ernst et al. 2004). The majority of these 

patients present with impending suffocation with >50% airway obstruction, leaving 

tracheobronchial stenting as their only option (Bolliger et al. 2006). In these instances 

the stents are used for palliative purposes, but tracheobronchial stents are also 

extensively utilized for benign cases such as treating malacia (collapsing airways), 

supporting benign strictures and sealing fistulas (Freitag 2010). 

Tracheobronchial stents are tubular scaffolds that restore patency to the blocked 

airways by providing support to the affected area. Three families of tracheobronchial 

stents are commercially available including: bare metal, covered metal and 

polymeric. Covered metal and polymeric stents are typically used in malignant cases 

to prevent reocclusion of the airway from tumour ingrowth through open stent struts 

(Freitag 2010). Although there is no favoured stent type, covered metal stents have 

the majority of the market share (Bolliger et al. 2006). 

Typically covered metal stents are made from nitinol and covered with a flexible 

polymer. The superelastic properties of nitinol allow a stent to be crimped from a 

large freely expanded diameter to a small delivery diameter without plastic 

deformation. Upon crimping, the stents are placed in a delivery device which can be 

tracked to the diseased location using a flexible bronchoscope under local 

anaesthetic. Once positioned, the outer sheath is removed and the stent deploys into 

the airway using its inherent elasticity. The force exerted by the expanding stent 

pushes the stenosis against the airway wall and restores airflow to the affected 

region. Polymeric materials like PTFE (polytetrafluoroethylene), silicone and, 

polyurethane (PU) are commonly used to cover metallic stents (Farhatnia et al. 

2013). These biocompatible materials can be attached to the stent using processes 

such as suturing, electrospinning, moulding, casting or dip coating (Farhatnia et al. 

2013), and can extend over the entire length of the stent or just cover a particular 

region. To allow a low profile for the crimped stent the cover needs to be relatively 

thin but still capable of preventing tumour ingrowth. 

There is currently no ideal tracheobronchial stent as all commercially available 

designs are associated with high complication rates (Trisolini et al. 2006; Chung et al. 
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2008; Gildea et al. 2008; Dooms et al. 2009; Furukawa et al. 2010; Fernández-Bussy 

et al. 2011; Ost et al. 2012). In particular covered tracheobronchial stents suffer from 

high levels of migration and can be prone to fracture (Chung et al. 2008; Dooms et 

al. 2009; Chung et al. 2011; Sosa and Michaud 2012). The first aspect of the present 

study is concerned with understanding the effect that an adhered cover can have on 

stent mechanical response and its possible implications for stent design. 

To date much work has been performed in the literature on the design and testing of 

bare stents for a range of applications in the body (for example (Rieu et al. 1999; 

Chen et al. 2012; García et al. 2012; Grogan et al. 2012; Azaouzi et al. 2012; Ghriallais 

and Bruzzi 2014; Boland et al. 2015b)), but fewer studies have focused on covered 

stents (for clarity it should be noted that the word “bare” in this chapter refers to an 

uncovered stent (i.e. a stent without a cover attached to it). Similarly, the word 

“covered” is used to describe a stent that has a cover attached to it.). Initial finite 

element evaluations of covered stents largely ignored the mechanical effects of 

covers on stent response due to their considerably lower stiffness in comparison to 

the stent structure (Kleinstreuer et al. 2008; Prasad et al. 2011; Prasad et al. 2013). 

De Bock et al. experimentally performed and computationally modelled radial force 

and flat plate tests on a number of commercially available stent grafts, and showed 

through computational modelling that stent covers can have an influence on stent 

response (De Bock et al. 2013). Another group has performed a number of studies in 

the area of stent graft modelling and used a more robust material model for the graft 

including in-plane elastic behaviour and bending behaviour (Demanget et al. 2012a; 

Demanget et al. 2012b; Demanget et al. 2013; Perrin et al. 2014; Perrin et al. 2015). 

These models were validated by comparing the stent centreline position during 

bending tests performed on commercially available stents, but mechanical attributes 

such as radial force and flat plate tests which are commonly used to evaluate stent 

performance were not assessed. All of the above studies used fully integrated shell 

element cover representations which allow for an accurate representation of the 

cover folding and cover-stent interaction that occurs during stent loading once the 

covers are considered suitably thin. To the best of the authors’ knowledge none of 

the above studies have experimentally compared bare and covered stent mechanics. 
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When specifically considering the computational modelling of covered 

tracheobronchial stents no previous work has been performed. Malvѐ et al. have 

performed fluid-solid interactions using bare metal and fully polymeric stent 

representations in the tracheal region (Malvè et al. 2010; Malvè et al. 2011c; Malvè 

et al. 2011a; Malvè et al. 2011b; Malvè et al. 2012; Malvè et al. 2014). 

Another aspect of interest in tracheobronchial stenting is the physiological loading 

that the stent undergoes in the airways. In-vivo the stents are subjected to two 

loading configurations: loading from tissue deformation caused by gas flow through 

the lung and loading from the stenosis-airway arrangement. Unlike coronary arteries 

which experience a generally uniform deformation from pulsatile blood flow, the 

natural deformation of the airways is asymmetric. The upper airways are composed 

of c-shaped rings of cartilage inter-connected with soft membranous tissue; during 

coughing these rings allow the airways to collapse non-uniformly to increase air 

velocity and improve cough effectiveness (Irwin 1977; Lyubimov 2001). Stents are 

deployed when the stenosis occludes over 50% of the airway (Hugo Marquette et al. 

1995; Bolliger et al. 2006) resulting in non-cylindrical loading configurations. This 

non-cylindrical geometry combined with non-uniform deformation leads to complex 

stent loading which can result in stent failure (Trisolini et al. 2006; Dooms et al. 2009). 

Common test methods like radial force testing and crush testing as suggested by the 

Food and Drug Administration’s (FDA) guidance for stent testing (Food and Drug 

Administration 2010) fail to capture this multifaceted in-vivo loading behaviour. The 

lack of sufficient detail in these guidelines has previously been commented on by 

Conway et al. (2012; 2014) in relation to the inadequate requirements for in-silico 

computational simulations.  

More realistic stent loading conditions have been investigated for in-vitro testing 

using excised tissue in combination with pressure deformation and static loading 

techniques (Freitag et al. 1994; Freitag et al. 1995). However, these methods are 

difficult to repeat due to the natural variation in tissue properties. Animal models 

with surgically created benign stenoses have also been developed (Hugo Marquette 

et al. 1995; Bolliger et al. 1999; Korpela et al. 1999) to simulate the loading seen 

clinically, though useful for examining stent behaviour these methods are neither 
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repeatable nor practical for stent testing. The second aspect of this work investigates 

the use of a simple bench-top test that could be used to evaluate the effect of airway 

geometry and deformation on stent response. 

The objective of the present study is to evaluate the mechanical effect that adhered 

covers can have on tracheobronchial stent response through the use of experimental 

and computational methods. This is accomplished by experimentally testing bare and 

adhered cover stents using commonly performed tests in combination with a novel 

non-uniform radial force test. Finite element models are developed in parallel to 

these tests to provide a more thorough understanding of the mechanical effect the 

adhered cover has on stent response. 

3.2 Materials and Methods 

3.2.1 Stent Fabrication 

3.2.1.1 Bare Stents 

Six prototype tracheobronchial stents were fabricated by Admedes Schuessler 

(Pforzheim, Germany). The stents were laser-cut from nitinol tubing with a 5.0 mm 

OD and a 0.23 mm thickness. Each stent was expanded and shape set using a 

cylindrical mandrel, and then electropolished. The expanded stent dimensions were 

approximately 15 x 30 x 0.195 mm (OD x Length x thickness) (Fig. 3.1 (a)). 

3.2.1.2 Adhered Cover Stents 

A Polycarbonate-Urethane (PCU) cover was adhered to the entire length of three 

stents in two steps. First a polyurethane adhesive was applied to the length of the 

bare stent to improve adhesion between the cover and stent. This process causes 

adhesive to form between the stent struts as shown in Fig. 3.1 (b). The PCU cover 

was then sprayed onto the stent using a spray atomization procedure of dissolved 

polyurethane as describes elsewhere (Nadzeyka et al. 2014). A rotating spindle and 

linearly translating spraying nozzle ensure uniform cover thickness. For coating the 

stents, a material flow rate of 2 ml/min, a pressure of 0.8 bar and a spraying duration 

of 3 minutes per stent was used. A fully covered stent is shown in Fig. 3.1 (b). 
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Fig. 3.1: (a) Bare stent (b) Covered stent. Inset shows detail of adhesive between stent struts. 

3.2.2 Material Properties 

3.2.2.1 Nitinol 

Tensile testing at 37 °C was performed on cylindrical samples cut from the same tube 

used to fabricate the stents, and these results were used to calibrate the Aurricchio 

in-built nitinol constitutive model in Abaqus (DS SIMULIA, USA) as described 

previously in McGrath et al. (2014). Table 3.1 shows the parameters used for the 

nitinol material model assuming no plasticity and symmetric tensile and compressive 

properties, as is common in the literature (García et al. 2012; Ghriallais and Bruzzi 

2014; McGrath et al. 2014). The material model fit is shown in Fig. 3.2. 

 

Fig. 3.2: Nitinol material model computational fit to average tensile data. The transitional stage of 

nitinol (yellow region) is characterised by a small increase in stress resulting in a large increase in 

strain. This is caused by the stress induced transformation from austenite (green region) to 

martensite (blue region).  
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Table 3.1: Nitinol material properties used in the Abaqus constitutive model. 

Parameter Value 

Austenite Elasticity (MPa) 53001 

Austenite Poisson’s Ratio 0.3 

Martensite Elasticity (MPa) 21500 

Martensite  Poisson’s Ratio 0.3 

Transformation Strain 0.038 

Start of Transformation Loading (MPa) 434 

End of Transformation Loading (MPa) 500 

Reference Temperature (°C) 37 

Start of Transformation Unloading (MPa) 210.3 

End of Transformation Unloading (MPa) 138.7 

Start of Transformation Stress During Loading 
in Compression (MPa) 

434 

Volumetric Transformation Strain 0.038 

 

3.2.2.2 Stent Cover and Adhesive 

Material properties for the cover were obtained by tensile testing samples sprayed 

directly onto a mandrel. Specimens were cut into 25 mm x 5 mm samples and 

uniaxially loaded at 10 mm/min using a Zwick biaxial tester in combination with a 

calibrated video extensometer. Tensile tests were performed at room temperature. 

Cover material properties are not expected to be significantly altered when at body 

temperature. The results were fit to a Neo-Hookean hyperelastic constitutive model 

(Fig. 3.3), where the strain energy potential is represented by: 

𝑈 = 𝐶10(𝐼1̅ − 3) +
1

𝐷1
 (𝐽𝑒𝑙 − 1)2 

(3.1)  

where 𝐶10 and 𝐷1are temperature-dependent material parameters, 𝐼1̅ is the first 

deviatoric strain invariant and 𝐽𝑒𝑙 is the elastic volume ratio. Material coefficients are 

given in Table 3.2. Material properties for the adhesive were obtained from literature 



Chapter 3   

 

99 
 

(Sheikhy et al. 2013) and were also fit using the Neo-Hookean material model (Fig. 

3.3), the coefficients of which are given in Table 3.2.  

 

Fig. 3.3: Computational fits for the cover and adhesive constitutive models. Adhesive properties 

obtained from the literature (Sheikhy et al. 2013). 

 

Table 3.2: Constitutive model coefficients for cover and adhesive. 

Material Material Model D1 C10 Poisson’s Ratio 

Cover Neo-Hookean 0.007681062 0.260554336 0.499 

Adhesive Neo-Hookean 0.211184593 1.01468441 0.499 

 

3.2.3 Stent Experimental Testing 

Three tests were undertaken to determine the effect the cover has on the mechanical 

response of the stent: a radial force test, a flat plate test and a non-uniform radial 

force test. The radial force test determined the radial stiffness of the stents, the flat 

plate test evaluated the effect on stent out-of-plane bending, and the non-uniform 

radial force test assessed the effect non-uniform loading has on stent response. Six 

stents were tested (3 bare and 3 covered) in each loading configuration. 

3.2.3.1 Radial Force Testing 

Each stent was radial force tested using an 8-faced crimping head (RCM-H60, MPT 

Europe) connected to a Zwick uniaxial tester with a 100N Xforce HP load cell (Zwick 
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Roell, GmbH & Co., Germany). The stents were crimped and unloaded from their 

nominal expanded diameter ≈15 mm to 7.5 mm at a rate of 0.1 mm/s at 37 °C. The 

effects of frictional forces within the crimping head are minimised by subtracting the 

results of a test performed with no device present (see Fig. A3.1 in Appendix 3). 

Dimensional accuracy is maintained through the use of pin gages. 

3.2.3.2 Flat Plate Testing 

A flat plate test was performed on each stent using an EnduraTEC (ELF 3200, Bose) in 

conjunction with an ET1 environmental chamber (Sun Electronic Systems, Inc.).  

Stents were placed between two flat platens, crushed to 3 mm and unloaded at a 

rate of 0.1 mm/s at 37 °C. 

3.2.3.3 Non-uniform Radial Force Testing 

Tracheobronchial stents can be deployed into especially non-circular configurations 

due to the nature of diseased airway geometries. A non-uniform radial force test was 

carried out to replicate the non-uniform loading that tracheobronchial stents 

experience from tumour growth or pressure variation in-vivo. To simulate the non-

uniform loading a 4 mm diameter semi-circular steel rod was inserted into the radial 

force tester, and the stent was deployed into the crimper head at a fixed diameter of 

12 mm corresponding to a 20% oversizing (Fig. 3.4). The non-uniformly loaded stent 

was then crimped to 10 mm at a rate of 0.1 mm/s at 37 °C to represent increased 

loading from tumour growth or inherent physiological tissue displacement. By 

performing a radial crimp on a non-circular deployed stent configuration it is possible 

to evaluate the effect that a combination of loading types can have on stent 

performance, which more accurately represents in-vivo loading. In reality the 

stenosis would compress somewhat against the airway wall and so this test 

corresponds to a worst case loading scenario. Other combinations of deployment 

diameter, rod geometry and material are not considered in this work. 
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Fig. 3.4: Non-uniform test setup. Stent is deployed into crimper head at 12 mm with semi-circular 

rod positioned as shown. 

3.2.4 Stent Computational Modelling 

3.2.4.1 Stent Models 

3.2.4.1.1 Bare Stent 

The as-cut bare stent geometry was created in Abaqus from the dimensions used to 

fabricate the stents (Fig. 3.5 (a)). One radially repeating longitudinal stent length was 

first created and expanded from its as-cut OD of 5 mm to 14.96 mm using a rigid 

cylindrical section and symmetrical boundary conditions (Fig. 3.5 (b)). The expanded 

section was then “annealed” and radially patterned to create a stress-free fully 

expanded stent geometry (Fig. 3.6 (a)). The fully expanded bare stent consisted of 

1,490,112 eight-noded linear brick elements (C3D8R) with enhanced hourglass 

control. A mesh sensitivity analysis was performed to ensure mesh convergence 

where the selected mesh converged to 0.02% Von Mises stress and 1.4% max 

principal strain with the densest mesh evaluated. A summary of the convergence 

study is provided in Table A3.1 in Appendix 3. 
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Fig. 3.5: (a) Unit cell geometry (b) Stent length expansion from as-cut diameter. 

3.2.4.1.2 Adhered Cover Stent 

Due to the complexity of attaching the stent cover to the bare stent, a different 

approach to the bare stent was used to create the adhered cover stent geometry. 

First, a radially repeating longitudinal length was expanded as described in Section 

3.2.4.1.1. Measurements were taken from this expanded length (Fig. 3.5 (b)) to 

create a flat 2D pattern onto which an adhesive layer between the struts was 

introduced, and a uniform cover thickness of 100 μm was offset from the stent 

surface. This was then wrapped to create a stress-free cylindrical section of the entire 

assembly. In early work it was found that the adhesive between the stent struts had 

a significant effect on radial force results making it necessary to include in the 

computational model (Please see Appendix 3 for further details on the effects of the 

adhesion mediator). An average adhesive length was calculated from microscopy 

images and average cover thickness was measured using a micrometre. All adhered 

cover stent components (stent, cover and adhesive) are fully bonded at coincident 

nodes.  
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Fig. 3.6: (a) Expanded bare stent (b) Expanded covered stent. Inset showing detail of covered model. 

Red segments indicate adhesive regions. 

To remove computational problems associated with cover compression due to 

perfect cylindricity, a small uniform pressure was applied to the outer surface of the 

cover to introduce slight folds in the cover. The final adhered cover stent 

configuration is shown in Fig. 3.6 (b). Linear eight-noded brick (C3D8R) elements with 

enhanced hourglass control were used to define the adhered cover components. The 

mesh contained 3,605,568 cover elements and 278,208 adhesive elements. Brick 

elements were selected to represent the cover instead of (more commonly used) 

shell elements due to an inadequate shell thickness to width ratio based on local 

stent geometrical limitations and the need to use less robust reduced integration 

shell elements in combination with hyperelastic material property definitions in 

Abaqus (Further information on cover element type selection is provided in Appendix 

3). To select a suitable mesh for the stent cover a mesh convergence study was 

performed. Max radial force was used as the convergence criteria as this study does 

not investigate the stress or strain in the stent cover during loading as it does not 

reach levels high enough to damage the cover. The force was found to converge to 

within 1.7% of the densest mesh evaluated. A summary of the convergence analysis 

is given in Table A3.2 in Appendix 3. Four elements through the cover thickness 

ensure an adequate stress distribution and minimise hourglassing effects due to 

cover folding. 

3.2.4.2 Computational Simulations 

Each test configuration was computationally modelled using Abaqus/Explicit (V6.14) 

due to non-linearities caused by large amounts of contact and cover folding. The ratio 
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of kinetic to internal energy was maintained below 5% after initial contact between 

the device and rigid surfaces, and hourglassing energy was maintained below 10% of 

internal energy for all simulations. Semi-automatic mass scaling was used with a 

target time increment of 1E-6 and a lowest stable time increment of 4.1E-8. 

Simulation run times are given in Appendix 3. 

3.2.4.2.1 Radial Force Testing 

To simulate radial force testing the expanded stent geometry was placed in the 

centre of eight radially patterned rigid plates which were then radially displaced to 

7.5 mm and returned to their initial configuration to load and unload the stent (Fig. 

3.7 (a)). General contact using a penalty contact method is defined with penalty 

tangential contact with a coefficient of friction of 0.1 and hard normal contact. This 

contact definition includes contact between all components (stent, cover, adhesive 

and crimper plates) but contact between crimper plates is ignored. The same contact 

definition is used for each simulation. No boundary conditions are directly applied to 

the stent. 

3.2.4.2.2 Flat Plate Testing 

The flat plate test was replicated computationally by placing the stent geometry 

between two rigid body plates and displacing both plates until the stent was crushed 

to 3 mm. The plates’ displacement was then reversed to unload the stent (Fig. 3.7 

(b)). 

3.2.4.3 Non-uniform Force Testing 

Non-uniform force testing was simulated in three steps illustrated in Fig. 3.7 (c). 

Firstly, the stent was crimped to 7.5 mm using a rigid cylinder. It was then deployed 

into the crimper and rod assembly by displacing the rigid cylinder radially outward, 

allowing contact between the stent and crimper surfaces (including the semi-circular 

rod). Finally the stent was loaded from 12 mm to 10 mm, as was performed 

experimentally by radially displacing the rigid plates and semi-circular rod. 
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Fig. 3.7: (a) Radial force test at full expansion and full crimp (b) Flat plate test at full expansion and 

full crush. (c) Non-uniform radial force test showing three steps: stent crimping, stent deployment 

and non-uniform loading.  

3.3 Results 

3.3.1 Radial Force Testing 

Experimental and computational radial force results are shown in Fig. 3.8 (a). 

Comparing the bare and covered experimental results it can be seen that there is a 

significant increase in radial force required to crimp the adhered cover stent. This 

corresponds to an increase in force of over 136% at full crimp. At 12 mm (or 20% 

oversizing) the chronic outward force (COF) for the adhered cover stent is only 
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12.47% higher than the bare stent. It should be noted that the abrupt drop in force 

observed directly after unload (≈7.5 mm) is caused by lag within the crimper head as 

a result of the change in test direction, and as such should be treated as a test artefact 

meaning a precise match with the computational models is not expected in the early 

portion of the unload curve (Further discussion on radial force result accuracy is 

provided in Appendix 3). 

 

Fig. 3.8: Experimental and computational results for bare and covered stents: (a) radial force test (b) 

flat plate test (c) non-uniform radial force test. Note the experimental results of only one bare (Bare 

1) and one covered (Covered 2) stent are shown in the interest of simplicity, summary data for all of 

the stents tested are given in Table 3.3. 
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Comparing the computational and experimental results for the bare stent a good 

match can be seen for the entirety of the radial resistive force (RRF) while the COF 

has a good match after 9 mm. There is a reasonably good match for the covered stent 

results, although the adhered cover model doesn’t pick up the high radial force at 

low diameters (between 9.5 mm and 7.5 mm). This may be due to a higher value of 

experimental friction between the crimper surfaces and the stent cover, or possibly 

because the adhered cover components might have different material behaviour in 

compression (material constraints meant a compressive characterisation was not 

possible in the scope of this work). 

Table 3.3: Selected experimental results for all stents tested. 

Stent Bare 1 Bare 2 Bare 3 Covered 1 Covered 2 Covered 3 

Radial Force 
      

Max Force (N) 26.13 25.26 25.34 54.45 61.48 60.63 

COF at 12 mm (N) 11.53 11.44 11.67 11.63 12.77 12.89 

Flat Plate 
      

Max Force (N) 2.97 2.96 3.06 3.94 4.03 3.78 

Non-Uniform 
      

Max Force (N) 19.81 19.48 20.23 24.60 28.26 28.79 

Buckling Diameter (mm) N/A N/A N/A 10.29 10.22 10.1 

 

The effect the adhesive and cover have on stent hinge bending during crimping can 

be seen in Fig. 3.9. The bare stent struts bend near to the stent hinge where high 

localised strains are observed (marked by arrow in Fig. 3.9 (a) inset), while the 

covered stent struts bend further down the strut length (arrow in Fig. 3.9 (b) inset) 

with a lower, more evenly distributed strain range. The change in strain distribution 

is primarily due to the adhesive material between the stent struts causing the metal 

to bend further away from the hinge as a result of the added stiffness. However, the 

cover also effects local stent deformation due to the reduction in available space 

between struts caused by cover folding. This can clearly be seen in Fig. 3.9 where the 
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distance between struts on the crimped adhered cover stent is more uniform than 

those of the bare stent. The effect on strain distribution is additionally demonstrated 

in Fig. 3.10 (a) where the strain along a hinge length for both the bare and covered 

stents is plotted. At full crimp the bare stent hinge experiences levels of strain over 

twice that of the adhered cover stent. The strain distribution is spread out over a 

greater length for the adhered cover stent. 

 

Fig. 3.9: Max principal logarithmic strain on fully crimped (a) bare stent (b) adhered cover stent (with 

adhesive and cover removed). Arrows on inset images indicate areas of highest strain on the outside 

surface of the hinge. Other arrows highlight difference in deformed distance between struts. 
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Fig. 3.10: Plots of the max principal logarithmic strain along a stent strut edge of the bare and 

adhered cover stent for: (a) Radial force test at full crimp. Inset arrows indicate the edge used to 

measure strain. (b) Flat plate test at full crush. Hinges selected at position of max strain along 

longitudinal position indicated by red circle in inset. (c) Non-uniform radial force test at diameter 

immediately before radial buckling of covered stent occurs (10.6 mm). Hinges selected along 

longitudinal position indicated by red circle in inset. Dashed black line specifies the start of the 

nitinol transitional strain region (Fig. 3.2). (d) Bare stent during radial force and non-uniform testing. 

Strain recorded at 12 mm diameter. 
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3.3.2 Flat Plate Testing 

For the flat plate experiment the results in Fig. 3.8 (b) show a 27.3 % increase in the 

reaction force at full crush for the adhered cover stent compared to the bare stent. 

There is good agreement between the computational and experimental results for 

both the bare and adhered cover stents. The strain on the stent hinge edges at full 

crush is shown in Fig. 3.10 (b). There is a slight increase in the hinge strain for the 

adhered cover stent which is expected as the cover thickness causes the stent 

structure to be crushed by a marginally larger amount (Further detail is provided in 

Appendix 3). Otherwise the cover and adhesive have little effect on the stent 

response as they are orders of magnitude less stiff than the nitinol stent structure. 

3.3.3 Non-uniform Force Testing 

A qualitative comparison of cover folding before deployment is shown in Fig. 3.11 (a) 

and (b). The folded cover patterns on the outer surface and down the longitudinal 

axis correspond well with the model. This result is important as it indicates that the 

simulated cover is performing in a similar manner to the real cover, highlighting that 

the 8-noded linear brick elements are capable of capturing the complex behaviour of 

the cover. 

Typical results for the non-uniform loading test are shown in Fig. 3.8 (c). The sharp 

decrease in force observed for the adhered cover stent occurs when the stent radially 

buckles, as shown in Fig. 3.11 (c). This type of stent failure results in rapid loss of 

radial support followed by stent migration or dyspnoea in-vivo and has been clinically 

observed (Trisolini et al. 2006). It can be seen in Table 3.3 that buckling occurs for all 

three adhered cover stents within 0.19 mm of one another. This suggests that the 

observed buckling behaviour is repeatable to some extent. No buckling occurs within 

the 12-10 mm test range for the bare stent. A marked difference in force can be seen 

between the two stents indicating a significant difference in stiffness even when 

loaded non-uniformly (Fig. 3.8 (c)). The computational results generally compare well 

to the experimental, with the adhered cover model following the same loading path 

until buckling, and no buckling occurring for the bare stent. The experimental 

buckling mode and buckled configuration is very well captured by the simulation (Fig. 

3.11 (c)), however quantitatively, the covered simulation buckles sooner than the 
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experimental result (Fig. 3.8 (c)). Though a highly accurate prediction of the buckling 

point is not expected due to the random nature of buckling, the repeatability of the 

experiment suggests that the model prediction could be improved. The early onset 

of buckling may be due to the use of a low friction coefficient in the contact definition 

between the stent cover and the crimping plates. 

 

Fig. 3.11: Qualitative comparison of computational and experimental results. (a) Longitudinal view of 

cover folding. (b) Radial view of cover folding. (c) Radial view of cover buckling during non-uniform 

loading.  

The max logarithmic strain along a strut edge for the non-uniform radial force models 

at the diameter just before buckling occurs in the adhered cover stent is shown in 

Fig. 3.10 (c). The strain distribution on the adhered cover stent edge is higher than 

the bare stent for the majority of the strut length. From the dashed black line in Fig. 

3.10 (c) it can be seen that a high proportion of the adhered cover stent strut length 
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is within the nitinol transitional strain region (the plateau region of the tensile curve 

(Fig. 3.2)), which has been shown to reduce the stability of nitinol stents and make 

them more susceptible to buckling (McGrath et al. 2014).  

The effect that the percentage of material in the transitional range has on stent 

stability can be seen more clearly in Fig. 3.12. As crimper displacement increases 

(diameter decreases), the percentage of material in the transitional region in the 

stent strut for the adhered cover stent increases; once this exceeds the 50% mark 

(indicated by the dashed black line) the stent begins to buckle. For the bare stent the 

average strain within the strut cross-section remains below 50% during the entire 

simulation. 

 

Fig. 3.12: Percentage transitional material (calculated using max principal logarithmic strain per 

element) through stent cross-section A-A (inset) plotted against crimper displacement for bare and 

covered stent. Covered non-uniform radial force is also shown for the covered stent. Dashed line 

indicates 50% of strut cross-section within transitional strain range. 

Fig. 3.10 (d) shows a comparison of the maximum strain on the struts of the bare 

stent at 12 mm unload (corresponding to a typical 20% stent oversizing) for the radial 

force and non-uniform force test. It can clearly be seen that the non-uniform test has 

a higher strain distribution at this diameter. 

3.4 Discussion 

The objective of this study was to evaluate the effect that an adhered cover has on 

the mechanical response of a bare prototype tracheobronchial stent, through the use 

of experimental and computational means. Three tests were experimentally 
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performed and simulated including a radial force test, a flat plate test and a novel 

non-uniform radial force test. The non-uniform test was developed as a simplified 

representation of the multi-loading environment that the stent is subjected to in-

vivo, where a semi-circular rod was used to represent stenotic compression, and 

radial displacement simulated the natural loading of the airways during breathing or 

coughing. To the best of the authors’ knowledge it is the first time volume elements 

have been employed to describe the cover in a computational analysis. It is also the 

first study to experimentally examine the direct effect that a cover has on bare stent 

mechanics. Previous studies have not experimentally tested bare stents when 

evaluating covered stent designs, though De Bock et al. (2013) did perform a 

computational analysis on cover effects as part of a parameter study. 

The introduction of the adhered cover resulted in a considerable increase in radial 

resistive force (Fig. 3.8 (a)). This is initially due to the adhesive material between the 

stent struts restricting hinge closure (Fig. 3.9) and, later due to the folding and 

pinching of the cover between the stent struts, which alters local strut deformation. 

The COF of the stent is much less affected by the adhered cover than the RRF which 

can be seen at 20% oversizing (12 mm) where the increase in force between the bare 

stent and the adhered cover stent is much lower for the COF than the RRF. The 

adhered cover also reduced the maximum strain seen in the stent struts by increasing 

the strain distribution along the strut length (Fig. 3.10 (a)). When the flat plate results 

(Fig. 3.8 (b)) are compared to the radial results it can be seen that the adhered cover 

has a markedly smaller effect on bending, which can be seen from the strain response 

of the covered stent in Fig. 3.10 (b). This is expected, due to the cover material’s low 

stiffness in comparison to the nitinol stent structure. By just considering these two 

tests, as is common, it would appear that the adhered cover substantially improves 

the stent response by increasing both radial force and bending resistance, and 

decreasing the maximum strain throughout the stent struts. However, when the non-

uniform radial force test results are considered it can be seen that the adhered cover 

stent is more likely to fail due to radial buckling (Fig. 3.8 (c)). The adhered cover stents 

buckled around 10.2 mm which is equivalent to ≈32% oversizing, which is not 

uncommon in clinical practice. This is an important result as it highlights the 
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catastrophic effect that non-uniform loading can have on stent response, and 

suggests that the combination of radial force and crush testing which are routinely 

performed may not be fully capable of evaluating stent performance when 

considering multi-loading situations such as those that exist in-vivo. Radial collapse 

of stents in-vivo has been reported in at least one case (Trisolini et al. 2006). 

The main mechanism responsible for the radial buckling observed in Fig. 3.8 (c) is due 

to a sudden increase in the amount of transitional material within the adhered cover 

stent strut (Fig. 3.10 (c), Fig. 3.12). This concept has previously been discussed in 

detail by McGrath et al. (2014). In short, a large increase in the volume of strut 

material within the transitional strain range of nitinol can cause a considerable 

reduction in stent stiffness. This is what happened in the present case, meaning that 

the stent was no longer able to support the load, and so buckling ensued.  

At the lowest diameter in the radial force test the bare stent has a higher strain 

distribution than its adhered cover counterpart (Fig. 3.10 (a)), but the converse is 

seen during the non-uniform load test (Fig. 3.10 (c)) where the strains along the 

length of the adhered cover strut are significantly higher throughout the strut cross-

section, even at a larger radial diameter (7.5 mm for the radial force test versus ≈10.6 

mm for the non-uniform force test). Kleinstreuer et al. (2008) previously reported 

that the addition of graft materials to a nitinol stent can result in a reduction in strain 

amplitudes, but the results of the non-uniform test performed in this work suggests 

that the effect the cover has on strain distribution is largely dependent on the 

particular loading condition applied to the stent. Even though the loading condition 

has significant implications for the adhered cover stent in relation to whether or not 

the stent buckles, it also has important consequences on the bare stent in that the 

strains generated in the stent in the non-uniform test are considerably higher than 

for the radial force test (Fig. 3.10 (d)). Therefore, the loading condition significantly 

influences stent response whether it is covered or not. The implication of this is that 

to reduce possible complications the loading configuration that a particular stent 

design (bare or covered) is about to be subjected to should be considered before 

stent implantation. 
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The non-uniform test proposed in this work presents much promise as a simple, 

repeatable benchtop test that can be used to evaluate the stability or fatigue of 

stents under multi-loading conditions. The test performed adequately here, but a full 

characterisation (that is outside the remit of this present work) would need to be 

performed. This characterisation could allow for a more detailed analysis of the 

effect of deployment diameter (oversizing), stenosis shape and size, rod material, 

friction and cover materials on stent response. Ultimately the test method developed 

could be used to improve stent design and even create a safe deployment matrix for 

clinicians. 

The loading dependent nature of these stents raises issues about the correct method 

for evaluating stent designs. It is clear that more effort is needed in the development 

of benchtop tests that can simulate a range of loading conditions that correspond to 

in-vivo conditions, but in-silico modelling is another tool that could be utilised more 

effectively for stent evaluation. The computational models developed in this study 

are capable of capturing complex device behaviour under different loading 

conditions. If validated in-silico models of the in-vivo state could be developed, then 

stents could be virtually evaluated in a realistic, repeatable manner in a way that 

cannot be accomplished through benchtop testing alone due to the inherent 

complexity involved. Much work is currently being performed on the development 

of more anatomically and physiologically realistic in-vivo loading models of stent 

devices (for example (Malvè et al. 2011c; Conway et al. 2012; Morlacchi et al. 2013; 

Conway et al. 2014; Ní Ghriallais and Bruzzi 2014; Gökgöl et al. 2015; Perrin et al. 

2015; Boland et al. 2015a), and also as reviewed in (Morlacchi and Migliavacca 

2013)), but interestingly it is not yet a significant requirement in FDA guidelines 

(Conway et al. 2012; Conway et al. 2014). 

3.5 Conclusions 

This study presents the effects that an adhered cover can have on the mechanical 

response of a bare prototype tracheobronchial stent through experimental and 

computational means. Classic stent characterisation tests were combined with a 

novel non-uniform test to contrast the macroscopic performance of the bare and 

covered devices, while computational modelling performed in parallel provided a 
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comprehensive insight into local device differences. A major conclusion that can be 

drawn from this work is that stent response (covered or bare) is highly loading 

specific, making it difficult to predict device performance in an in-vivo situation 

where loading conditions can differ considerably from patient to patient. It was 

shown that under perfectly radial loading conditions the adhered cover produced an 

overall reduction in strut strain, whereas the opposite was observed with non-

uniform loading. With regard to this, improved bench-top testing and in-silico 

modelling should be regarded as key to more comprehensively evaluating stent 

performance. Another important conclusion is that the cover should be considered a 

fundamental input during the design of the stent structure as it can have a sizeable 

effect on device performance. For this particular stent-cover combination the cover 

produced an increase of over 136% in maximum radial force, while simultaneously 

reducing the stent stability under non-uniform loading. In this instance a significant 

portion of the increase in radial force is due to the adhesive material between the 

stent struts restricting hinge closure. The cover also provides an increase in radial 

force, but this is not as substantial. 
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A.3 Appendix 3 

A.3.1 Mesh convergence and Simulation Run Times 
Table A3.1: Summary of convergence results for bare and covered stent structures. Note the max 

stress and strain in the covered model is the max stress/strain in the cover. Mesh 2 was used for the 

stent structure and mesh A for the cover. 

Stent Bare Covered 

Mesh 1 2 3 A B 

Number of elements 52304 124176 490428 300464 601128 

Max Von Mises stress (MPa) 473.8 483.4 483.3 0.568 0.564 

Max principal logarithmic 
strain (%) 3.96 4.93 5.00 2.79 2.81 

Max Radial Force (N) - - - 3.51 3.45 

 

Table A3.2: Simulation hours. All analyses were performed on a SGI ICE X HPC cluster using 3 or 4 

nodes with each node having 2x12 core processors and 64 GB of RAM. (*) signifies 3 nodes were 

utilised. 

Simulation Bare Covered 

Radial Force (hrs) 64* 69 

Flat Plate (hrs) 91 121 

Non-uniform Radial Force (hrs) 55* 117 
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A.3.2 Raw Radial Force  

 

Fig. A3.1: Raw data of radial force test performed on one stent for three load and unload cycles 

where the friction curve for this test is also given. Three cycles are shown to highlight test 

repeatability. 

A.3.3 Adhesive and Friction Effects on Stent Response 

To determine the effect that the adhesive layer had on stent response a radial force 

test was simulated with a stent that only included a layer of adhesive between the 

stent hinges (the radial force simulation method is described in detail in Section 

3.2.4.2.1). This was then compared to the bare and covered computational models 

as shown in Fig. A3.2. From these results it can be seen that the adhesive increases 

the maximum radial force of the bare stent by 53%, while the adhesive and the cover 

together cause an increase of 76%. This highlights that the adhesive has a significant 

impact on the mechanical response of the stent. However, the cover also has a 

sizeable effect. 

To evaluate the effect of higher friction on radial force response the covered stent 

model was crimped using a coefficient of friction of 0.3. Previously the model had 

been run with a coefficient of friction of 0.1 (the contact definition is described in 

detail in Section 3.2.4.2.1). The effect of the friction can clearly be seen in Fig. A3.2, 

showing an increase in maximum radial force of 6%. This suggests that higher friction 

between the stent surfaces and the crimping plates may result in a higher force as 

observed experimentally (Fig. 3.8).  
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Fig. A3.2: Radial force comparison of computational models. Stent models are crimped from their 

freely expanded configuration to 7.5 mm. “Bare” refers to the bare stent without a cover. “Covered” 

refers to the stent with a PCU cover and adhesive. “Bare and Adhesive Only” refers to a stent with 

only the adhesive attached. “Covered (COF = 0.3)” refers to a covered stent model with a coefficient 

of friction of 0.3 between all surfaces. 

A.3.4 Cover Element Type 

As previously described in Chapter 3 the cover was modelled using brick elements 

(C3D8R) over the more commonly used shell element. Further analysis of brick 

element versus shell element is described in this section. 

In this study the stent cover considered here is more than half the size of the stent 

strut thickness (100 μm and 195 μm respectively) making it difficult to refer to the 

membrane as thin relative to the stent struts. In all previous studies performed on 

covered stents (Demanget et al. 2012a; Demanget et al. 2012b; Demanget et al. 

2013; De Bock et al. 2013; Perrin et al. 2014; Perrin et al. 2015) the ratio of stent wire 

diameter/thickness to cover thickness was higher than that used in this study, making 

the assumption of a thin membrane more reasonable (De Bock et al. for example had 

a ratio between 16 and 25 for their models, though they assumed a negligible cover 

thickness in their analyses).  

A suitable representation of cover thickness is important in this work as it has an 

effect on the radial force results at lower crimping diameters. At lower diameters the 

cover folds and is compressed between the stent struts. Good contact definitions for 

the upper and lower surfaces of the cover are needed to calculate contributions from 
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cover contact and compression. This complex contact behaviour is difficult to capture 

using shell elements when the section is required to be so thick. Due to the thickness 

of the cover prescribed in this analysis an accurate surface thickness is impossible to 

describe using shell elements due to the limitations imposed by the contact 

algorithms in Abaqus/Explicit. The maximum thickness assigned to a shell element is 

controlled by the facet edge lengths or diagonal lengths of the element. The thickness 

must be below 20% to 60% of this length or automatic resizing occurs. This sizing 

does not affect the material attributes of the shell but only the contact thickness. 

Quite large element edge lengths in relation to the local stent geometry would be 

required to describe the cover elements with the desired thickness. This would result 

in only 3 cover elements across the mid-section of the stent strut/hinge (or 5 at the 

widest section) which is nowhere near enough to suitably capture cover folding. This 

means that it is not possible to use a shell representation to model the cover with 

the desired thickness. Previous studies have neglected cover thickness (De Bock et 

al. for example), but this is not suitable here as cover thickness effects the results. 

Another difficulty associated with the use of shell elements in this work is the fact 

that fully integrated shell elements cannot be used in combination with hyperelastic 

material property representations in Abaqus. Instead, reduced integration elements 

must be used which introduces problems associated with hourglassing and this 

affects the in-plane bending results. 

Computational simulations were run to compare shell and brick elements. A radial 

force test performed on a 1/12th section of the covered stent (with the cover 

discretised using C3D8R elements or S4R elements, both with enhanced hourglass 

control and with the same base mesh) using a rigid cylindrical section (Fig. A3.3). 

Radial displacement boundary conditions were placed on the cylindrical surface to 

crimp the stent from its initial configuration to 7.5 mm. Displacement in the theta 

direction along stent outer edges was held and a single node on the stent was held 

in the axial direction. The same material properties and contact definitions described 

in Chapter 3 were used. The shell cover thickness was set to 100 μm. 
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Fig. A3.3: Simulation setup showing radial view of shell (top) and brick (bottom) representations 

used. 

Due to the thickness of the shell section automatic resizing of the shell offset for 

contact was performed. From Fig. A3.4 it can be seen that for an equivalent force of 

3 N the shell element (S4R) simulation needed to displace 13% further than the brick 

element (C3D8R) run. The use of shell elements also resulted in a 10% lower 

prediction in maximum force at maximum crimper displacement (the equivalent 

experimental measurement). These are significant under-predictions that affect the 

nitinol stent response. The difference between the two models is derived from the 

reduced offset thickness in the shell model and can clearly be seen when considering 

the contact force along one stent unit edge as shown in Fig. A3.5. The contact force 

is higher in the solid model as it accounts for the full cover thickness. De Bock et al., 

2013 reported that computational simulations that don’t include a stent graft 

representation under-predict the force by between 10 to 30%, in the present work 

the use of a shell element representation would cause a similar under-prediction. 

The results of this analysis suggest that the effects of cover thickness are important 

at higher crimper displacements, but the use of shell elements at lower 

displacements where cover self-contact is smaller is more suitable. 
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Fig. A3.4: Comparison of radial force using C3D8R or S4R elements. 

 

Fig. A3.5: Comparison of Contact force along the edges of one unit cell. 

It is worth noting that the shell element model performed the analysis 31% faster 

than the brick analysis (Table A3.3), but considering the difference between the 

adhered cover and bare stent analyses were between 23% and 33% (Appendix A, 

Chapter 3) the use of a shell element representation would correspond to little 

overall improvement in computational efficiency for a full analysis (assuming a linear 

scaling). 

Table A3.3: Simulation run time. Both analyses were performed on a SGI ICE X HPC cluster using 2 

nodes with each node having 2x12 core processors and 64 GB of RAM. 

Model C3D8R S4R 

Run Time (hrs) 4 2.75 
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A.3.5 Radial Force Test Accuracy 

The effect of internal friction in the radial force tester is minimised by performing a 

friction test before every sample is tested. To do this a radial force test is performed 

without any device present and the resulting force (caused by internal friction in the 

tester) is removed from the stent radial force result. In Chapter 3 an observed drop 

in force at unload was described as being caused by lag within the crimper head as a 

result of the change in test direction. We believe that this is caused by internal 

slippage in the load train associated with the change of loading direction. It is possible 

that during unload, slippage within the tester records a drop in force that isn’t a valid 

result. From previous experience it is known that the stents used in this analysis don’t 

suffer from such a sudden drop in force at unload (radial force tests performed by 

Admedes Schuessler on this bare stent design, using a radial force tester where each 

crimping plate is connected to an individual load cell and so negates internal friction 

discrepancies), and so it’s more than likely a test artefact caused by lag in the system. 

In this case it only affects the early portion of the unload curve (7.5 – 9 mm) and so 

can be ignored. The important result in this area of the test curve is the maximum 

force during crimp which is captured here, which is important from a delivery device 

design perspective. The main region of interest on the unload curve is around the 

20% oversizing mark (12 mm) which would be the expected deployment diameter of 

this stent and this is suitably captured in the experiment. 

The effect of a friction factor on radial force results was considered to evaluate 

whether it had an influence on the observed experimental hysteresis. Here, the 

friction test is removed from the device test as previously described (Chapter 3) and 

the resulting force is multiplied by a small factor, which is then subtracted from the 

device force. Fig. A3.6 below shows the effect that this approach has for one radial 

force curve. It compares the subtraction (and addition) of a 0.1 and 0.05 friction 

factor from a radial force curve with the friction run removed. As can be seen the 

desired effect is obtained at max crimp where the large drop at unload is reduced 

somewhat, but conversely (and more importantly) it causes an “overlap” in the 12 – 

15 mm region of the test curve where the loading and unloading curves no longer 

match. Here it can be seen that the unload curve for both the 0.05 and 0.1 factors 
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are higher than the loading curve which is not physical (Fig. A3.6 (Bottom)). This 

suggests that there is no link between radial force and friction force in the system, as 

otherwise this section of the curve would not match, as it does for the simple 

subtraction of the friction force run that is currently used. 

 

Fig. A3.6: (Top) Three radial force curves with friction force and various friction factors 

subtracted/added from/to the raw data. (Bottom) Enhanced view of the overlap. Arrows indicate 

load and unload overlap for 0.1 and 0.05 curves. 

A.3.6 Flat Plate Strain Comparison 

A comparison of flat plate strain along a strut edge between the covered and bare 

stent is shown in Fig. A3.7. The strain at full crush is shown for the bare and covered 

stents, along with the strain for the covered stent with the stent surface at an 

equivalent OD to the bare stent. Here it can be seen that when the stents are at an 

equivalent diameter (i.e. accounting for the increased thickness due to the cover) 
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that the strain profiles are quite similar, which further highlights that the cover has a 

limited effect on stent response in the flat plate test.  

 

Fig. A3.7: Plot of max principal logarithmic strain along a stent strut edge of the bare and adhered 

cover stent for the flat plate test at full crush. The strain along an adhered cover stent edge at the 

same OD as the bare stent at full crush is also given. 
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Abstract 

Tracheobronchial stents are most commonly used to restore patency to airways 

stenosed by tumour growth. Currently all tracheobronchial stents are associated 

with complications such as stent migration, granulation tissue formation, mucous 

plugging and stent strut fracture. The present work develops a computational 

framework to evaluate tracheobronchial stent designs in-vivo. Pressurised computed 

tomography (CT) is used to create a biomechanical lung model which takes into 

account the in-vivo stress state, global lung deformation and local loading from 

pressure variation. Stent interaction with the airway is then evaluated for a number 

of loading conditions including normal breathing, coughing and ventilation. Results 

of the analysis indicate that three of the major complications associated with 

tracheobronchial stents can potentially be analysed with this framework, which can 

be readily applied to the human case. Airway deformation caused by lung motion is 

shown to have a significant effect on stent mechanical performance, including 

implications for stent migration, granulation formation and stent fracture. 

4.1 Introduction 

Tracheobronchial stents are used for many applications in the lung, with the most 

common being for the restoration of patency to airways stenosed by benign or 

malignant tumour compression (Freitag 2010). Around 30% of all lung cancer 

patients go on to develop problems with central airway obstruction (Lee et al. 2010), 
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typically presenting with blockages of >50% signifying imminent suffocation and the 

immediate need for stenting (Bolliger et al. 2006). Currently there exists no ideal 

tracheobronchial stent as all commercially available devices are associated with 

complications, which include stent migration, granulation tissue formation, mucous 

plugging, and stent strut fracture (Gildea et al. 2008; Dooms et al. 2009; Razi et al. 

2010; Freitag 2010; Fernández-Bussy et al. 2011; Jeong et al. 2012; Ost et al. 2012; 

Marchese et al. 2015; Park et al. 2016). 

Tracheobronchial stents are tubular devices that restore airway patency to diseased 

airways by providing scaffolding support. Commercially available tracheobronchial 

stents can generally be divided into three families: bare metal, covered metal and 

polymeric. Some bare and covered metal stents include the Ultraflex stent, Aero 

stent and Taewoong stent, while common polymeric stents include the Dumon stent, 

Montgomery T stent and Polyflex stent (Freitag 2010). Typically, covered metal and 

polymeric stents are used to prevent airway reocclusion caused by malignant tumour 

ingrowth through open struts (Freitag 2010). Many metal stents are fabricated from 

nitinol, a superelastic alloy of Nickel and Titanium. The superelastic properties allow 

nitinol to reach strains in excess of 10% without plastically deforming, permitting 

stents to be crimped and deployed in a self-expanding manner (Stoeckel et al. 2004). 

Stents are crimped from a freely expanded state to a small diameter and placed into 

a delivery device, which, with the aid of a flexible bronchoscope can be tracked to 

the desired location. Once positioned, the stent is deployed by removing an outer 

sheath which allows the stent to expand using its inherent elasticity. Airflow is 

returned to the diseased region by the stent pushing against the occluding stenosis. 

Stent migration is believed to occur in at least 10% of malignant cases, and is thought 

even higher for benign stenoses (Freitag 2010). Dooms et al. (2009) found that 

migration occurred in 65% of stents placed for benign airway strictures, while Ost et 

al. (2012) observed 14% migration for stents deployed to counteract malignant 

airway obstruction. Granulation tissue formation, another common complication is 

understood to occur from repetitive motion trauma caused by friction at the stent 

ends and by excessive pressure from stent oversizing (Hautmann et al. 1999; Schmäl 

et al. 2003; Saad et al. 2003; Hu et al. 2011; Ost et al. 2012). Granulation tissue 
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formation can cause large stenoses that hamper airflow resulting in the need for 

secondary intervention. Fernández-Bussy et al. (2011) identified that 57% of lung 

transplant patients requiring stents experienced granulation formation. Both Saad et 

al. (2003) and Chung et al. (2011) found granulation formation in 15% of cases for 

benign and malignant indications. Cyclic loading from normal breathing and large 

deformation from coughing cause stent fractures to occur in all metal airway stents 

(Freitag 2010). Chung et al. (2008) and Dooms et al. (2009) reported stent fracture in 

12% and 15% of cases respectively. 

Numerous studies have been published on improving stent designs through 

computational means for many applications in the body (Gastaldi et al. 2010; García 

et al. 2012; Conway et al. 2012; Prasad et al. 2013; Ní Ghriallais and Bruzzi 2014; 

Petrini et al. 2016), however, few have examined tracheobronchial devices and their 

associated complications. McGrath et al. (2016) investigated tracheobronchial stent 

mechanical performance through in-vitro means. Using a combination of bench 

testing and computational modelling it was shown that stent response is especially 

loading specific, making it difficult to predict device in-vivo performance with bench-

top testing alone. Other studies have evaluated the effect of stenting on tracheal 

deformation and local tissue response in-silico using fluid solid interaction (FSI) 

modelling (Malvè et al. 2010; Malvè et al. 2011c; Malvè et al. 2014; Chaure et al. 

2016), proposing a method to estimate the susceptibility of a stent to migrate (Malvè 

et al. 2011c) and, suggesting that granulation formation is more likely caused by the 

high stresses induced from stent deployment rather than the effects of fluid 

dynamics (Chaure et al. 2016). While these studies provide valuable insights into 

stress locations and tissue granulation, relatively simplified stent representations 

were used that do not fully elucidate the stress magnitude or complex interactions 

that can occur in the airways. 

The motion of the lungs during respiration is a complex mechanism controlled by the 

interaction of the pleurae, diaphragm and intercostal muscles. Each lung is encased 

within a thin, fluid-filled sac called a pleura, which also lines the diaphragm and 

mediastinum. The fluid-filled space (called the pleural cavity) allows frictionless 

motion between the lung and thoracic cavity, and keeps the lung inflated at all times 
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due to a negative intrapleural pressure (Lai Fook 2004). Respiratory motion occurs 

when the diaphragm and intercostal muscles contract, causing an increase in the 

volume of the thoracic cavity and a reduction in intrapleural pressure, which initiates 

air flow into the lungs (West 2012). In effect, the lungs remain passive and inflate and 

deflate with the expansion and contraction of the thoracic cavity (Werner et al. 

2009). The lung has a large range of motion resulting in considerable deformation of 

the airways. The ability to capture this motion may be important in better 

understanding stent performance in-vivo. Much work has been performed in the 

area of lung motion modelling for applications such as tumour tracking for improved 

radiotherapy treatment (McClelland et al. 2013). In general, the techniques used to 

predict this complex motion can be divided into two groups: image registration and 

biomechanical modelling. Both groups make use of time dependant image data such 

as 4D CT or 4D magnetic resonance imaging (MRI). Deformable image registration 

procedures map lung motion by matching features between data sets obtained at 

different time points (Crum et al. 2004). However, these non-rigid deformations 

neglect tissue mechanics and so are undesirable for stenting analyses, but have been 

used to simulate airway deformation during respiratory motion for other applications 

(Yin et al. 2013; Ibrahim et al. 2015). Biomechanical modelling in contrast, makes use 

of physiological parameters, controlling lung motion by either projecting one lung 

surface onto another (Tawhai et al. 2009; Al-Mayah et al. 2010; Tehrani et al. 2015) 

or by applying a pressure to the lung or other surfaces (Villard et al. 2005; Werner et 

al. 2009; Eom et al. 2010; Fuerst et al. 2015). Surfaces from other respiratory phases 

commonly limit the deformation of the lung. Generally, the lung is considered a 

homogenous unit, with the parenchyma, airways and arterial network described by 

a single linear or non-linear material representation (Werner et al. 2009; Tawhai et 

al. 2009; Al-Mayah et al. 2011). Al-Mayah et al. (2010) evaluated the effects of a shell 

element representation of the bronchial tree on airway positioning using a linear 

elastic constitutive model, and found that the assumption of homogeneity is suitable 

for capturing global lung deformation. The application of a suitable pre-stress to 

account for negative intrapleural pressure acting on the lung surface is normally 

neglected, though Tawhai et al. (2009) did account for it using a uniform volume 

scaling method. This method is not suitable for inhomogeneous assemblies where 
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the deformation of parts such as the airways and parenchyma are not uniform. Ní 

Ghriallais and Bruzzi (2014) previously showed that femoropopliteal artery stenting 

can lead to changes in global deformation characteristics and have major effects on 

vessel deformation. None of these biomechanical models have been used to analyse 

the effect of lung motion on stent performance, or on the effect that stenting has on 

global lung deformation. Other models have been developed that investigate the 

local effects of fluid dynamics on tracheal tissue response using FSI modelling (Malvè 

et al. 2010; Malvè et al. 2011d; Malvè et al. 2011b). In these studies models of the 

trachea include cartilage and muscle representations which describe the principal 

structures in the tracheal airway. Anisotropic material constitutive models and 

realistic pressure and velocity conditions allow for the accurate capture of trachea 

collapsibility during breathing and coughing (Malvè et al. 2010). The effect of stent 

loading on local tissue response has also been performed in these analyses (Malvè et 

al. 2011a; Malvè et al. 2014; Chaure et al. 2016). However, due to the intricacy of FSI 

modelling these studies simplify the complex interaction between the stent and 

tissue wall. The effect of swallowing on the stent-tissue interaction in the trachea has 

also been performed for a variety of stents (Trabelsi et al. 2011; Trabelsi et al. 2015), 

but similarly simplify the stent representations. 

The objective of this study is to develop a finite element framework that can be used 

to evaluate tracheobronchial stent performance in-vivo. Firstly, to accomplish this 

objective a physiologically realistic finite element ovine lung model capable of 

capturing biomechanical loading from lung deformation and pressure variation 

during respiration is generated. The deployment of tracheobronchial stents into the 

bronchial tree is then simulated to evaluate the effect of realistic physiological 

loading on stent and tissue response, with the aim of informing future stent designs. 

4.2 Materials and Methods 

4.2.1 Imaging Data 

All procedures used conform to the ‘‘Guide for the care and use of laboratory 

animals’’ (8th ed., Washington, DC: Natl. Acad. Press, 2011). The described procedure 

was part of a study evaluated and approved by the North Rhine Westphalian State 
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Agency for Nature, Environment and Consumer Protection under number 84-

02.04.2013.A452. As part of the PulmoStent project pressurised CT data was 

obtained for a healthy adult female sheep with a body weight of 50 kg (Thiebes et al. 

2017). The sheep was pre-medicated with intramuscular 1% atropine sulphate (0.1-

0.15 mg/kg, Dr. Franz Köhler Chemie, Germany) and 2% xylazine (1 mg/kg, Vexylan, 

Ceva, Germany) and endotracheally intubated. Anaesthesia was maintained by 

ventilation with isoflurane (1–2 vol%)-oxygen mixture. The sheep thorax was then 

imaged at fixed gauge pressures of 0, 15 and 30 cmH2O using a Siemens Somatom 

Definition Flash scanner with a pixel resolution of 0.78 mm. It is assumed that at 0 

cmH2O (atmospheric pressure) the lung is at a volume similar to that at the end of 

passive expiration, which relates to the functional residual capacity (FRC) of the lung. 

The 30 cmH2O pressure is considered the maximum volume that the lung can expand 

to during maximal inhalation, and is referred to as total lung capacity (TLC). Finally, 

the 15 cmH2O pressure is referred to as mid capacity (MC) due to its midway position 

between the minimum and maximum pressure points in this analysis. Due to 

practical considerations the scan was performed with the animal in the lateral 

position. Body position can affect lung volume and shape at the measured pressures 

(Moreno and Lyons 1961; Hoffman 1985), and so ideally scanning should have been 

performed in the prone position. This will have affected the recorded airway 

deformation so that it may not precisely represent the natural deformation of the 

airways, but should still provide an adequate approximation. 

4.2.2 Lung Geometry 

Lung geometry is extracted and assembled from the in-vivo data sets using Mimics 

and 3-Matic (Materialise, Belgium). The left lung parenchyma is removed as a 

continuous surface neglecting separate lobes. A partial length of the trachea (cut 

above the most cranial surface of the left lung) and all major bronchi visible from the 

CT are extracted using the airway cavity as tissue thickness is not discernible from CT. 

This includes branches as low as the ninth generation, though the average branch 

generation is the fifth. A uniform thickness of 1 mm (based on measurements 

performed in Section 4.2.5.1) is offset from the obtained airway cavity to produce 

the airway tissue geometry. The FRC lung assembly is created by inserting the FRC 
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airway into the corresponding parenchyma surface and subtracting the airway cavity 

(Fig. 4.1). This leaves only the airway tissue and parenchyma with an unobstructed 

airway channel which allows for stent deployment. The airway tissue and 

parenchyma volumes are meshed with a high quality tetrahedral mesh using TetGen 

(Si and Gärtner 2015). All airway nodes in contact with the lung are fully bonded at 

coincident nodes, excepting those approximately 1 mm from where the main 

bronchus enters the lung. This ensures that lung surface deformation does not 

excessively distort the displacement of the bronchus at the interface between the 

two components. In this work only the left lung and airway is modelled to improve 

computational efficiency. The same modelling approach can be applied to both lungs 

simultaneously if required. 

 

Fig. 4.1: FRC lung assembly including mesh detail. 

Mesh convergence was performed by deploying a stent section into a pre-strained 

cylindrical tube representing an airway section. Various mesh densities were 

investigated using total contact force on the tissue surface as the convergence 

criteria. The selected mesh converged to within 2.2% of a mesh over three times 

denser. The lung parenchyma and airway sections of the selected mesh contained 

365,198 and 342,242 elements respectively. A section of the mesh is shown in Fig. 

4.1. 
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4.2.3 Zero-pressure Assembly 

Negative intrapleuaral pressure maintains continuous lung expansion, which results 

in the lungs being in a constant state of tension in-vivo, and consequently all lung 

geometries from in-vivo CT contain inbuilt pre-stresses which should be considered 

when simulating lung mechanics. Typically, in biomechanical lung modelling the 

physiological stress state of the in-vivo lung data has either been ignored by assuming 

the acquired data contains no pre-stress (Werner et al. 2009; Al-Mayah et al. 2011; 

Fuerst et al. 2015), or accounted for only by applying a uniform scaling of a 

homogenous lung volume (Tawhai et al. 2009), which is unsuitable when considering 

the inhomogeneity caused by the lung’s airways. However, much work has been 

performed on in-vivo stress states in other applications, primarily in the vascular 

system, where various methods have been utilised (Lu et al. 2007; Gee et al. 2009; 

Alastrué et al. 2010; Bols et al. 2013; Nestola et al. 2017). In this work, an inverse 

method adapted from the algorithm presented by Bols et al. (2013) is employed to 

obtain a suitable zero-pressure (ZP) lung assembly. Note a zero-pressure state is 

defined in this work as the state the lung would be in if there was zero (or 

atmospheric) pressure everywhere in the lung. The proposed approach does not 

account for residual stresses in the lung.  

In the proposed method the ZP assembly is obtained over two steps: a forward step, 

and a backward step. For the forward step, lung motion from FRC to TLC is simulated 

assuming no pre-stress is present in the lung assembly at FRC. Over the forward 

motion the displacement of each node on the lung assembly is recorded to form the 

displacement vector field (DVF). The backward step is then performed to obtain the 

ZP assembly by deflating the lung from FRC to ZP by assuming that the FRC assembly 

unloads along the reverse path of the DVF. This is accomplished through updating 

the FRC assembly’s nodal coordinate field (NCF) by uniformly scaling the DVF and 

subtracting it from the NCF. Using this method a physiologically relevant deformation 

is used to acquire the ZP assembly. 

Lung motion from FRC to TLC is simulated in the forward step using a pleural surface 

method adapted from Tawhai et al. (2009). The outer surface of the parenchyma of 

the lung assembly is constrained to remain in frictionless contact with a surface (the 
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pleural surface) containing an identical mesh to the outer surface of the parenchyma. 

When the nodes on the pleural surface are deformed, the lung assembly deforms 

accordingly by remaining in contact and freely sliding on the pleural surface. Lung 

motion is captured in a physiologically realistic manner by allowing the parenchyma 

to slide in this way. The nodal displacement of the pleural surface is calculated by 

projecting the pleural surface at FRC onto the corresponding surface at TLC. This is 

achieved using an incremental expansion and smoothing method implemented in 

Matlab (MathWorks, USA) and Abaqus (V6.14, DS Simulia, USA). During simulation of 

lung motion the nodes on the cut surface of the trachea (Fig. 4.1) are held in all 

directions to represent the fixation at the larynx, and to remove rigid body motion. 

The forward displacement vector of each node in the lung assembly is recorded to 

create the lung assembly DVF using 

𝑢𝑓 =  𝑥𝑇𝐿𝐶  −  𝑥𝐹𝑅𝐶  (4.1)  

Where 𝑢𝑓 is the nodal forward displacement vector, 𝑥𝑇𝐿𝐶  and 𝑥𝐹𝑅𝐶  are the 

coordinates of the same node at TLC and FRC respectively. 

In the backward step the ZP assembly is obtained by assuming the lung deflates 

backward along the determined DVF. To ensure the deformation applied is 

physiologically relevant an appropriate scaling must be applied. Meaning that the 

deformation should be related to the intrapleural pressure required to maintain the 

lung at FRC in-vivo. Here, the intrapleural pressure is set to 6.84 cmH2O which is what 

has previously been measured in sheep lying in the (left) lateral position (Hurewitz et 

al. 1984). An appropriate deflation of the lung is then determined by linearly scaling 

the DVF, based on the ratio of intrapleural pressure (6.84 cmH2O) to the pressure 

difference between FRC and TLC (30 cmH2O), which corresponds to 23% of the DVF. 

Thus, the NCF of the ZP assembly is determined using nodal positioning described by 

 𝑥𝑆𝐹 = 𝑥𝐹𝑅𝐶 −  𝑘𝑢𝑓    (4.2)  

Where 𝑥𝑆𝐹  is a ZP nodal coordinate, and 𝑘 is a scalar variable used to uniformly scale 

the corresponding vector displacement with a value of 0.23. After nodal coordinates 

have been updated the ZP assembly volume mesh is remeshed due to the effects the 
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large backward displacements have on mesh quality. All structural surfaces are 

maintained during this process. With the ZP lung assembly obtained, appropriate 

physiological stresses at FRC can be applied by re-inflating the assembly. It should be 

noted that this method does not produce a unique solution, which would require a 

far more complex approach. 

4.2.4 Stent Model 

The stent design used in this analysis consists of a repeating segmented geometry 

joined by alternating connectors based on the nitinol laser-cut Cordis SMART stent. 

To determine the effect of stent length on mechanical performance in the airways 

two 15 mm diameter stents with a length of 25 mm (short stent) and 51 mm (long 

stent) respectively are modelled. Dimensions for the stents are given in Fig. 4.2. The 

stents are meshed with 2400 and 4832 Timoshenko beam elements (B31) 

respectively. Mesh sensitivity shows the Von Mises stress and max principal strain to 

agree to 1.6% and 3.1% respectively for a mesh 4.6 times denser than the selected 

mesh. The stents are designed to have a chronic outward force (COF) within the 

range of other commercial devices of the same diameter (McGrath et al. 2014; 

Thiebes et al. 2017). The normalised radial force of the stents per unit length is shown 

in Fig. 4.3. 
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Fig. 4.2: (a) 3D Stent designs for both stents. (b) Periodic stent unit dimensions. Both stents have the 

same repeating unit. 

 

Fig. 4.3: Normalised radial force for the short stent. The curve for the other stent is not shown as the 

stents have a similar normalised force. 
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4.2.5 Material Properties 

4.2.5.1 Tissue Properties 

Preliminary airway properties were obtained from tensile testing of ovine main 

bronchi samples. Rectangular samples 5 x 40 mm were cut from the bronchi tissue in 

the circumferential direction. After recording sample thickness uniaxial tensile 

testing was performed on a Zwick biaxial testing machine with a 500 N load cell and 

a calibrated video extensometer camera. Samples were cyclically loaded to 0.1 mN 

for five cycles, and then tensile tested to failure at a rate of 1 mm/min. Tests were 

performed at room temperature and within 24 hours of sacrifice. Results of a 

representative sample were fit to a second order reduced polynomial constitutive 

model, where the strain energy potential is represented by 

𝑈 =  ∑ 𝐶𝑖0
2
𝑖=1 (𝐼1̅ − 3)𝑖 + ∑

1

𝐷𝑖
(𝐽𝑒𝑙 − 1)2𝑖2

𝑖=1   (4.3)  

where 𝐶𝑖0 and 𝐷𝑖  are temperature-dependent material parameters, 𝐼1̅ is the first 

deviatoric strain invariant and 𝐽𝑒𝑙 is the elastic volume ratio. The experimental and 

computational tensile results are displayed in Fig. 4.4 (Computational fit is discussed 

in more detail in Appendix 4). As airway diameter decreases, airway tissue thickness 

decreases (Kamm 1999), resulting in a reduction in section stiffness that should be 

accounted for in a computational representation. As the airway geometry used in 

this analysis contains a constant thickness, a reduction in section stiffness is instead 

achieved by linearly scaling the constitutive model coefficients fit to the experimental 

data based on the assumption of a constant relationship for the ratio of airway 

diameter to thickness. This relationship can be observed in the airways down to at 

least the sixteenth branching generation (Kamm 1999). To limit the number of 

material representations required to vary the section stiffness in this way the airways 

were split into four equal diameter ranges (M1-M4) and assigned a material property 

according to the median diameter for each group. A ratio of 15.6 was used to vary 

the material properties based on the average measured thickness of the main 

bronchi (1 mm) and the corresponding diameter in the lung-assembly geometry (15.6 

mm). Material properties for the designated sections are given in Table 4.1. Though 

the airways contain a combination of smooth muscle and cartilage, material 
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properties are assumed homogenous. There is no consensus in the literature on 

appropriate parenchymal constitutive models as properties can vary widely (Zeng et 

al. 1987). In this study baseline properties were obtained from Rausch et al. (2011) 

and fit to a second order reduced polynomial. The determined constants were then 

linearly scaled until the pressure to expand the ZP lung assembly from FRC to TLC was 

close to 30 cmH2O (lung expansion is described in Section 4.2.6.1). Material 

properties are shown in Table 4.1. Rayleigh damping with an α coefficient of 8000 

was applied to a thin layer of shell elements offset from the lung and airway surfaces 

to reduce unrealistic fluctuations during lung motion. 

 

Fig. 4.4: Experimental and computational results for circumferential bronchial section. 

4.2.5.2 Stent Properties 

The inbuilt Auricchio nitinol constitutive model in Abaqus is utilized for the stent 

properties (Auricchio et al. 1997). Parameters used are shown in Table 4.2 which are 

obtained from McGrath et al. (2014), where further details on testing and fit can be 

found. 
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Table 4.1: Constitutive model coefficients. M1 to M4 refer to airway materials and L1 refers to the 

parenchymal material. A Poisson’s ratio of 0.42 and 0.3 was used for airway and parenchyma 

properties respectively. The selected airway Poisson’s ratio was used to help with model 

convergence issues. 

Parameter M1 M2 M3 M4 L1 

Scale 1.33 0.98 0.64 0.34 0.37 

D1 2.099 2.848 4.361 8.210 1365.218 

D2 0 0 0 0 0 

C10 0.081 0.059 0.038 0.021 0.00034 

C20 0.874 0.644 0.421 0.223 0.0014 

 

Table 4.2: Nitinol material properties used in the Abaqus constitutive model. *Nitinol non-symmetric 

properties in tension and compression were used to capture hysteresis effect using B31 elements. 

Parameter Value 

Austenite Elasticity (MPa) 53001 

Austenite Poisson’s Ratio 0.3 

Martensite Elasticity (MPa) 21500 

Martensite  Poisson’s Ratio 0.3 

Transformation Strain 0.038 

Start of Transformation Loading (MPa) 434 

End of Transformation Loading (MPa) 500 

Reference Temperature (°C) 37 

Start of Transformation Unloading (MPa) 210.3 

End of Transformation Unloading (MPa) 138.7 

Start of Transformation Stress During 
Loading in Compression (MPa) 

634* 

Volumetric Transformation Strain 0.038 

4.2.6 Computational Experiments 

All computational analyses are performed using Abaqus/Explicit (V6.14) due to large 

deformations and non-linearities caused by contact. The ratio of kinetic to internal 



Chapter 4   

 

144 
  

energy was maintained below 5% for all simulations. Semi-automatic mass scaling 

was used with a target time increment of 1E-6 and a lowest stable time increment of 

5.4E-9. 

4.2.6.1 Airway Positioning 

Lung expansion is first simulated without stent loading to evaluate airway 

positioning. Simulations are performed with and without the inclusion of a pre-stress. 

For the model with no pre-stress (referred to as model A1, see Table 4.3) the FRC 

lung assembly previously obtained is expanded to TLC using the pleural surface 

method. During lung expansion, uniformly distributed pressure is applied directly to 

the inner surface of the airways according to the pressure-volume distribution in Fig. 

4.5 (a). This represents the change in pressure caused by inflation of the lung during 

CT acquisition which helps capture local effects of airway deformation. For the pre-

stress simulation (model A2) a nodal displacement method is used to simulate lung 

motion. Using the nodal coordinates obtained for the parenchyma surface at FRC and 

TLC from model A1, displacement boundary conditions are applied directly to the 

nodes on the outer surface of the ZP assembly parenchyma to inflate the lung to FRC 

(to apply the pre-stress), and then to TLC. The cut surface of the trachea is held in all 

directions and pressure is applied to the inner surface of the airways as before. This 

method of lung motion is employed to simplify the model without significantly 

affecting model accuracy (This is further discussed in Appendix 4). The nodal 

displacement method is used for all models using the ZP assembly. 
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Fig. 4.5: Pressure-volume relationship for (a) ventilator loading, (b) breathing (Wall and Rabczuk 

2008) and (c) coughing (McCool 2006). Volume is shown as a percentage of the tidal volume (the 

difference between FRC and TLC volumes). It should be noted that the ventilator and coughing 

conditions are simplified representations of more complex loads. 

4.2.6.2 Stent Deployment and Loading 

Stent deployment is simulated over a series of steps as illustrated in Fig. 4.6. The ZP 

lung assembly is first deformed to FRC (Fig. 4.6 (a)). A rigid cylinder representing the 

outer tube of a stent delivery system (aligned with the airway centreline at FRC) is 

then expanded from a diameter of 5 mm to 8 mm to straighten the airway to allow 

for stent deployment (Fig. 4.6 (b)). Following this, the stent is crimped from its freely 

expanded diameter of 15 mm to 7.5 mm using a rigid cylinder (Fig. 4.6 (c)). The stent 

is then deployed into the airway by radially expanding the crimper, while 

simultaneously reducing the diameter of the outer tube, and allowing the outer 

surface of the stent to contact the airway inner surface (Fig. 4.6 (d)). Before lung 
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motion is simulated, contact is removed for everything except the stent and airway 

surfaces (Fig. 4.6 (e)). General contact with a coefficient of friction of 0.1 is used to 

describe all contact in the simulation. No boundary conditions are directly applied to 

the stent geometry. Both stents are deployed at the same midpoint, which 

corresponds to the same deployment position selected for the insertion of a 

prototype stent with a 15 mm diameter as part of the PulmoStent project (Thiebes 

et al. 2017). Airway diameter in the region of stent deployment tapers from 14.1 mm 

to 9.8 mm, with an average diameter of 12.4 mm corresponding to a stent oversizing 

of 17%. Stent oversizing is used to guarantee a suitable lumen gain and to secure the 

device against migration (Freitag 2010; Gökgöl et al. 2015). 

 

Fig. 4.6: Summary of stent deployment and physiological loading. (a) Lung assembly at FRC. (b) 

Delivery system outer expanded. (c) Stent crimped. (d) Stent deployed and outer crimped. (e) Stent 

deployed before respiratory loading. (f) Lung assembly and stent at TLC. 

The influence of local and global physiological deformations is evaluated by 

performing a mix of stented analyses that include combinations of local pressure and 

global lung motion conditions. Local pressure effects are accounted for by applying a 

uniformly distributed pressure to the inner surface of the airways. Global motion is 

accounted for by expanding the lung using either a pleural surface method or nodal 

displacement method.  
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Global motion is modelled between FRC and TLC only. Three local pressure conditions 

are investigated for the stented bronchial tree: ventilation, breathing and coughing. 

The pressure-volume relationship associated with each condition is shown in Fig. 4.5. 

Ventilation loading (Fig. 4.5 (a)) is represented by a linear pressure-volume ramp for 

inspiration and expiration, based on the ventilation pressures applied for CT imaging. 

Breathing (Fig. 4.5 (b)) is simulated by applying a sinusoidal pressure-volume 

association obtained from Wall and Rabczuk (2008). Lastly, for coughing (Fig. 4.5 (c)) 

three steps are performed including inspiration, compression and expiration which 

relate to the three states of coughing (McCool 2006). For the compression step of 

coughing the lung volume at TLC is unloaded to 95% of the tidal volume based on a 

pressure increase of 50 cmH2O. Each of the described loading conditions is simulated 

for both stents. Other loading conditions are also performed to illustrate the effect 

of local deformation and global lung motion. These include simulating ventilation, 

normal breathing and coughing without applying a global motion and simulating lung 

motion without a local pressure. All simulations are summarised in Table 4.3. It 

should be noted that the pressure conditions used to describe normal breathing and 

ventilation are acquired from human data due to the unavailability of suitable ovine 

data in the literature. However, as sheep lung function is considered similar to human 

lung function (Scheerlinck et al. 2008; Bähr and Wolf 2012) the influence of this on 

results should be relatively small. The pressure-volume relationships described here 

are simplified representations of very complex interactions. To properly represent 

the effects of lung deformation coupled with pressure variations a FSI model would 

need to be considered which is outside the scope of this work. For both the normal 

breathing and coughing analyses pressures are only applied to the bronchial tree due 

to collapse of the trachea during coughing. 
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Table 4.3: Summary of simulations performed. If no pre-stress is applied then global lung motion is 

controlled by the pleural surface method, otherwise the nodal displacement method is employed. 

Local Pressure refers to the specific local uniform pressure condition applied to the airway surface 

(described in Fig. 4.5). Global Motion refers to whether or not lung motion is applied to the lung 

assembly. 

Model Pre-stress Stent Local  Global Motion 

 
Y/N 

 
Pressure Y/N 

A1 N None Ventilation Y 

A2 Y None Ventilation Y 

A3 Y Short None Y 

A4 Y Short Breathing N 

A5 Y Short Breathing Y 

A6 Y Short Coughing N 

A7 Y Short Coughing Y 

A8 Y Short Ventilation Y 

A9 Y Long Breathing N 

A10 Y Long Breathing Y 

A11 Y Long Coughing N 

A12 Y Long Coughing Y 

A13 Y Long Ventilation Y 

 

4.3 Results 

4.3.1 Lung Deformation Results 

4.3.1.1 Pressure-Volume Relationship  

The relationship between lung pressure and volume change from FRC to TLC is shown 

in Fig. 4.7. The simulation pressure at TLC matches the in-vivo data closely as 

expected due to the experimental design. The model predicts a linear pressure-

volume relationship which appears to adequately represent the loading response 

observed at MC. 
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4.3.1.2 Airway Positioning 

A qualitative comparison of airway positioning at FRC and TLC is demonstrated in Fig. 

4.8, with CT output shown in Fig. 4.8 (a) and corresponding computational 

predictions shown in Fig. 4.8 (b) and (c). The first thing to note is that the pre-stressed 

airways at FRC qualitatively match the in-vivo condition well (Fig. 4.8 (b)). A similar 

result can be seen for the simulation prediction at TLC, though there is a more distinct 

misalignment between CT and model positioning (Fig. 4.8 (c)).  

Airway deformation accuracy is quantitatively assessed by comparing simulation 

branch point positioning to the corresponding CT data at FRC, MC and TLC. From 

Table 4.4 it can be seen that at TLC model A1 (no pre-stress) has a smaller average 

residual error (16.7%) than model A2 (pre-stress) (17.9%), though there is no 

significant difference between the two models (p < 0.05). Model A2 

overcompensates for branch point motion with an average of 16.5 mm compared to 

the recorded motion of 16.2 mm. The average residual error at MC for model A2 is 

30.8%, and the average branch point motion is 0.4 mm lower than the corresponding 

CT result. It should be noted that the pre-stress introduces a positioning error to 

model A2 with an average residual error of 1.1 ± 0.6 mm. 

 

Fig. 4.7: Pressure versus volume change for model A2 compared to CT data. Change in volume from 

FRC to TLC. 
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Fig. 4.8: (a) Airway positioning from CT at FRC and TLC. (b) Model A2 prediction of airway positioning 

compared to CT at FRC after pre-stress application (c) Model A2 prediction of airway positioning 

compared to CT at TLC. CC, AP and RL refer to the craniocaudal (head to toe), anteroposterior (front 

to back) and lateral (right to left) directions respectively. 

Table 4.4: Airway branch point positioning. V is the lung volume position that measurements are 

recorded at, ∥ 𝑹 ∥ is the average residual error, 𝑹𝑪𝑪, 𝑹𝑨𝑷, and 𝑹𝑹𝑳 are the residuals in the 

craniocaudal, anteroposterior and lateral directions respectively. Negative values denote model 

overestimation in caudal, anterior and leftward directions. ∥ 𝚫𝑷 ∥ is the average branch point 

displacement from CT data and finite element models. 

Model V ∥ 𝑹 ∥ 𝑹𝑪𝑪 𝑹𝑨𝑷 𝑹𝑹𝑳 ∥ 𝚫𝑷𝑪𝑻 ∥ ∥ 𝚫𝑷𝑭𝑬 ∥ 

  
(mm) (mm) (mm) (mm) (mm) (mm) 

A1 TLC 2.7 ± 1.3 -0.4 ± 1.7 1.0 ± 1.1 -1.6 ± 1.6 16.2 16.1 

A2 TLC 2.9 ± 1.3 -0.9 ± 1.7 1.2 ± 1.2 -1.2 ± 1.5 16.2 16.5 

A2 MC 2.8 ± 1.4 -0.3 ± 1.8 2.0 ± 1.3 -1.1 ± 1.1 9.1 8.7 

A2 FRC 1.1 ± 0.6 0.1 ± 0.7 -0.1 ± 0.7 0.1 ± 0.6 - - 
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4.3.2 Stenting Results 

4.3.2.1 Effect on Airway Positioning 

The effect of stent loading on airway positioning at TLC is graphically presented in 

Fig. 4.9. Here it can be seen that the short stent (Fig. 4.9 (a)) has a noticeably smaller 

global effect than the long stent (Fig. 4.9 (b)), where the influence extends from the 

trachea down to the most distal end of the airways. It is interesting to note that the 

shorter stent has regions of greater local deformation (highlighted by the black 

arrows) which suggests that it may be less constrained by the local geometry. The 

large deformation occurring at the distal end of the long stent is due to airway 

tapering over the stent length. 

 

Fig. 4.9: Magnitude difference in nodal position at TLC between the unstented model (A2) and the 

(a) short stent model (A8), (b) long stent model (A13). Insets show stent positioning in airway. Black 

arrows highlight local differences in airway positioning between the two models. Values are given in 

mm. 
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4.3.2.2 Stent Reaction Force 

Stent reaction force is determined by summing the normal contact force magnitude 

at each node on the stent. This corresponds to the force the stent exerts on the 

airway tissue. The reaction force of the short stent is displayed in Fig. 4.10 (a). The 

results show great variability between loading conditions, with coughing having the 

most significant impact, producing a difference of 0.13 N/mm (Note all reaction 

forces are normalised against stent length) between minimum inspiration and 

maximum expiration force. Ventilation loading also considerably affects the reaction 

force with a 0.07 N/mm range. Global lung motion with no local pressure effected 

stent response the least, causing a difference of only 0.01 N/mm. The influence of 

breathing with and without lung motion for both stents is shown in Fig. 4.10 (b). 

Although normalised against stent length, upon deployment the longer stent 

produces a force 1.4 times greater than the shorter stent. The effect of global lung 

deformation on stent reaction force is visible in different ways for the two stent 

types. The short stent produces a 33% higher force range than the pressure-only 

model, which is characterised by an overall drop in force during inspiration. 

Alternatively the long stent shows a mean drop in force for the lung deformation 

model, combined with an end expiration force that is significantly lower than the 

force at deployment which is not observed for the pressure-only simulation. Similar 

results are observed for coughing simulations shown in Fig. 4.10 (c), though the force 

range of the short stent is less affected by lung deformation in this case due to the 

more significant local pressure load. 

4.3.2.3 Strain Analysis 

Constant-life diagrams for breathing and coughing on both stent types are shown in 

Fig. 4.11. The results indicate that the global motion models produce higher strain 

amplitudes than the pressure-only models, although this is significantly less of a 

factor for the short stent under cough loading. Considering the local pressure-only 

analyses, it is shown that the maximum strain amplitudes for both stents are quite 

similar under the same loading conditions, but this is not the case for the local 

pressure and global motion results. Both long stent constant-life diagrams show that 

the global motion has a significant effect on strain amplitude results. However, even 
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with the inclusion of global motion the maximum strain amplitude remains well 

below 0.4% which is generally considered safe for stent loading under 107 cycles 

(Pelton et al. 2008), and so stent fracture is not to be expected. It should be noted 

that as the stent models are defined using beam elements the strain analysis is only 

performed to comment on general observations. 

The effect of simulated coughing on stent displacement is qualitatively presented in 

Fig. 4.12. For the shorter stent the loading configuration appears to have little effect 

on stent displacement, suggesting that the stent is relatively well fixated. Conversely, 

the proximal migration of the long stent under local pressure and global motion is 

considerably more evident, implying that the positioning of the longer stent is much 

less stable. 

Stent axial displacement is quantitatively presented for each simulation in Fig. 4.13. 

It can be seen that the long stent can displace over nine times more than the shorter 

stent when global motion is accounted for, but little axial displacement is observed 

with local pressure loading alone. Another observation is that comparable loading 

conditions affect the displacement of the stent types differently. The short stent 

displaces further under ventilation loading, while simulated coughing causes the 

longer stent to displace the greatest. 
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Fig. 4.10: Stent normalised reaction force during lung loading. 0% represents the lung volume at FRC 

and 100% is at TLC. (a) Typical results for the different local pressure loading types with global 

motion on short stent. (b) Results for breathing cycles with (models A5, A10) and without (models 

A4, A9) global motion applied to both stent types. (c) Results for coughing cycles with (models A7, 

A12) and without (models A6, A11) global motion applied to both stent types. Reaction force 

normalised against stent length. 
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Fig. 4.11: Constant-life diagrams for normal breathing: (a) short stent, models A4 and A5 (b) long 

stent, models A9 and A10.  Constant-life diagrams for simulated coughing: (c) short stent, models A6 

and A7 (d) long stent, models A11 and A12. 
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Fig. 4.12: Comparison of stent position after deployment at FRC (Blue) and after simulated coughing 

at FRC (Red). (Left): Short stent models A6 and A7. (Right): Long stent models A11 and A12. Proximal 

direction is leftwards. 

 

Fig. 4.13: Stent axial displacement between deployment and simulated loading at FRC. Values 

determined using average nodal displacement along stent axis. Positive values indicate proximal 

stent movement. 

4.3.3 Tissue Interaction 

Results shown in Fig. 4.14 compare stented bronchi stress states at maximum 

inspiration and minimum expiration pressures for simulated coughing. The contours 

in Fig. 4.14 (a) and (b) highlight the minute effect that pressure change alone has on 

the stented airway stress state. Fig. 4.14 (c) and (d) indicate that global motion has a 

greater effect due to the axial stretching of the airway during lung motion. These 

results signify that maximum principal stress can vary significantly in the airways 

under natural lung motion. 
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Fig. 4.14: Max principal stress in airway with the short stent. (a) Model A6 max inspiration. (b) Model 

A6 min expiration. (c) Model A7 max inspiration. (d) Model A7 min expiration. Number 1 and 2 refer 

to the max inspiration and max expiration pressure points respectively. Black arrows indicate 

stented region of the airway. Stresses are shown in MPa. 

Another way of investigating the stent-tissue interaction is to evaluate the variation 

in contact pressure locally applied to the tissue surface by the stent. This is 

accomplished here by computing the mean contact pressure and the contact 

pressure change experienced by the airway surface. Mean contact pressure is 

calculated using 

𝑃𝑚 =
𝑃𝑚𝑎𝑥+ 𝑃𝑚𝑖𝑛

2
   (4.4)  

where 𝑃𝑚 is the mean contact pressure at an individual node on the tissue surface, 

and 𝑃𝑚𝑎𝑥  and 𝑃𝑚𝑖𝑛 are the maximum and minimum nodal normal contact pressures 

on the airway tissue over the loading cycle. Contact pressure change is calculated 

using 

𝑃𝛥 = 𝑃𝑚𝑎𝑥 −  𝑃𝑚𝑖𝑛    (4.5)  

where 𝑃𝛥 is the contact pressure change at an individual node. Stent-tissue contact 

pressure for the short stent under coughing conditions is illustrated in Fig. 4.15. The 

mean contact pressure for the pressure only model (Fig. 4.15 (a)), and displacement 

and pressure model (Fig. 4.15 (b)) show very similar contact patterns. Nevertheless, 

when considering the contact pressure change (Fig. 4.15 (c) and (d)) it becomes 

apparent that global motion results in larger changes in pressure, occurring over a 
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larger area. This indicates more localised stent motion against the tissue wall due to 

global lung deformation. 

 

Fig. 4.15: Mean contact pressure and contact pressure change contours for the short stent under 

simulated coughing. (a) Model A6 mean force, (b) Model A7 mean force, (c) Model A6 force range, 

(d) Model A7 force range. Pressures are shown in MPa. 

Fig. 4.16 visualises the contact pressure changes above 0.05 MPa to remove noise 

caused by small pressure variations and allow the effect of contact variation on 

airway tissue to be captured more effectively. The local pressure-only models record 

very few regions greater than 0.05 MPa (Fig. 4.16 (a) and (b)), while in contrast the 

global motion and local pressure models show a considerable area of tissue that 

experiences these sizeable swings in pressure (Fig. 4.16 (c) and (d)). There is a 

noticeable difference between the short stent (Fig. 4.16 (c)) and the long stent (Fig. 

4.16 (d)) results, with much of the variation in force focused at the stent ends for the 

shorter stent, and throughout the length of the longer stent. 
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Fig. 4.16: Contact pressure change greater than 0.05 MPa (Red) for stent both stents under 

simulated coughing. Local pressure-only: (a) model A6, (b) model A11. Local pressure and global 

motion: (c) model A7, (d) model A12. 

4.4 Discussion 

The objective of this study was to develop a finite element framework that can be 

used to evaluate tracheobronchial stent performance in-vivo. This was accomplished 

by first developing a biomechanical ovine lung model capable of capturing realistic 

physiological loading, including pre-stress state, global lung motion and local 

pressure loading. Stent deployment and loading under ventilation, breathing and 

coughing conditions were then simulated. 

An important aspect of this work is the ability of the biomechanical model to 

appropriately describe airway deformation so that suitable loading is applied to the 

stented region. Qualitatively it can be seen that the model is capable of capturing 

airway positioning from FRC to TLC quite well (Fig. 4.8), and quantitatively the 

average residual error of 2.9 ± 1.3 mm at TLC (Table 4.4) is within the 2.7 – 3.3 mm 

range reported in the literature for human biomechanical lung models  (Werner et 

al. 2009; Al-Mayah et al. 2010). A similar error is observed at MC (Table 4.4), 

suggesting that the model is adept at capturing the airway deformation to some 

degree of accuracy throughout the lung motion. It should be noted however, that 

while this error is typical of biomechanical lung models it could be deemed relatively 
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high when considering 2.9 mm is around 20% of the average branch point 

displacement. This may have some effect on the ability of the model to accurately 

capture the stent-tissue interaction, but as the general motion of the lung is well 

captured this should not be significant. Although the application of a pre-stress is 

necessary to accurately model stent interaction with the airway, it is interesting to 

note that it had no significant effect on airway positioning when compared to the 

biomechanical model without pre-stress (Model A1) in Table 4.4. This implies that 

the inclusion of a pre-stress in lung models where the stress-state is not critical (such 

as in radiation therapy analyses) may not be necessary. 

At first glance it would appear that local pressure loading conditions possess the most 

dominant effect on stent mechanical performance. This is evident in Fig. 4.10 where 

the change in stent reaction force is almost entirely determined by the particular 

pressure condition applied. However, when considering the other measured 

quantities it becomes apparent that airway deformation due to global motion has a 

significant effect on localised stent mechanical response. The inclusion of lung 

deformation in the analysis increases the maximum strain amplitudes for both stents 

under both breathing and coughing conditions (Fig. 4.11), a result that is also 

observed for stent axial displacement in Fig. 4.12 and Fig. 4.13, and similarly higher 

tissue contact force ranges are more prevalent in the models that include global lung 

motion (Fig. 4.16). These results suggest that the inclusion of global motion is 

necessary in order to suitably capture important aspects of stent-tissue interaction 

in the lung. Nevertheless, it should be noted that the application of local pressure-

only conditions could be useful when first evaluating a stent design by ensuring a 

suitable radial force is obtained. 

The models presented here appear to be able to indicate migration in the form of 

axial displacement. Results suggest that stent migration could be driven more by 

airway deformation caused by global lung motion rather than the effects of local 

pressure deformation alone, and that radial force may not be the only significant 

factor in maintaining stent position. The longer stent was shown to displace further 

than the short stent (Fig. 4.13) even though the former applied a greater normalised 

radial force upon deployment (Fig. 4.10 (b)). One reason for the improved fixation of 
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the shorter device may be due to geometrical considerations. This stent is able to 

expand uniformly (Fig. 4.12) and sit in between two bronchi branches (Fig. 4.9 (a)). 

The radial force applied by the stent expands the airway and essentially anchors it 

between the two branching points. Conversely, the longer stent does not gain 

fixation from geometrical features proximally due to the combination of its increased 

length and the airway taper, and this results in it being more vulnerable to migrate 

under the large deformations involved in global lung motion. These findings indicate 

that stent sizing (both radially and longitudinally) may be important in preventing 

stent migration and highlight the significant impact airway anatomy can have on 

stent response. 

Granulation tissue formation is thought to initiate due to irritation caused by the 

repetitive motion of the stent rubbing against the airway tissue, or by excessive stent 

expansion forces (Hautmann et al. 1999; Schmäl et al. 2003; Saad et al. 2003; Hu et 

al. 2011; Ost et al. 2012). In previous computational analyses excessive expansion 

forces have been used to indicate granulation formation by highlighting areas of 

maximum tissue stress created by stent introduction (Malvè et al. 2014; Chaure et al. 

2016). This may be a suitable predictor if the stresses generated by the stent are 

significantly higher than those experienced naturally by the tissue, but between Fig. 

4.14 (c) and (d) it can be seen that the maximum stresses induced by the short stent 

are similar to those naturally experienced (due to the large deformations associated 

with global lung motion), and so, granulation formation owing to excessive stent 

expansion is not to be expected. However, granulation tissue is also thought to form 

due to the irritation caused by the stent rubbing against the tissue wall (Saad et al. 

2003; Ost et al. 2012). Here, it is proposed that the change in contact pressure over 

a loading cycle can be used to indicate tissue irritation due to stent rubbing. Using 

this comparison the results in Fig. 4.16 (c) appear to indicate irritation at the stent 

ends, which is where granulation tissue tends to form (Schmäl et al. 2003; Freitag 

2010). This is most likely caused by cyclic stretching of the airway tissue during lung 

motion. The longer stent shows a much larger area of the tissue experiencing high 

levels of irritation Fig. 4.16 (c). This is probably due to the effects of stent migration 

(Fig. 4.12). The results presented here show promise at being able to predict 
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granulation formation, but further work will need to be performed to be able to 

validate this indicator. 

Another principal complication associated with airway stents is stent fracture. 

Although beam elements are not ideal for fatigue analysis, they can be used to 

indicate stress and strain trends. The results presented here suggest that the 

inclusion of global lung deformation increases the strain amplitude experienced by 

the stents for all loading scenarios. This could potentially be of more use in a diseased 

model where non-uniform tumour loading can have a more significant effect on stent 

response (McGrath et al. 2016). It should be noted that due to the differences in stent 

response between stent loading conditions that fatigue analyses should be 

performed for combinations of coughing and ventilation loading in order to capture 

the loading variability involved. If fatigue analyses are to be performed it would also 

be advisable to perform the analysis using more robust elements. 

Finally, it should be noted that all of the methods used in the presented work are 

directly applicable to the human case. Patient-specific CT data can be used to obtain 

the lung assembly and global lung deformation as described. Typical lung function 

tests such as spirometry can be used to attain patient specific data for local pressure 

deformation. Airway material properties are readily available from the literature, and 

patient-specific parenchyma properties can be estimated as performed in this study. 

This means that the entire framework, or smaller aspects such as the determination 

of the ZP lung assembly can be easily implemented in analyses of human 

biomechanical lung modelling and tracheobronchial stenting. 

4.5 Limitations 

A major limitation of this study is the use of just one animal. Although the primary 

objective was to develop a framework for stent testing which was performed, some 

observations made could be better informed with a larger cohort. The simplification 

of tissue properties is another principal limitation of this study. An isotropic material 

representation is used to describe the airways, even though in reality they contain 

anisotropic properties in the axial and circumferential directions. The airways are 

also composed of a combination of smooth muscle and cartilage, which is also 
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neglected in this study. While this is deemed suitable for the lower airways where 

cartilage is randomly distributed it will have a significant effect on the tracheal 

response where c-shaped cartilage rings offer sizeable structural support to the 

airway, and so the model in its current form is not suitable for modelling tracheal 

stenting. This would require the inclusion of separate cartilaginous and smooth 

muscled regions which could be introduced if necessary. Moreover, airway thickness 

is assumed constant throughout the bronchial tree, though four scaled material 

ranges are assumed to account for this it results in stress continuities at material 

boundaries. These simplifications have implications for stresses observed in the 

tissue and would have some effect on the stent-tissue interaction. Similarly, an 

unphysical linear pressure-volume response is obtained when loading the 

parenchyma material in this study. Further work needs to be performed to obtain a 

more realistic material response. The application of a uniformly distributed pressure 

in the presented model does not accurately capture the effects of dynamic pressure 

that are present during breathing and coughing. To properly model the fluid 

interaction and its effect on the stent-tissue interaction a FSI analysis would be 

required. For the normal breathing analyses the inclusion of FSI would not be 

expected to have a significant effect on the presented results as fluid dynamics 

associated with breathing have previously been shown to have a limited effect 

(Chaure et al. 2016). The dynamic effects associated with coughing may have more 

noticeable implications. However, the simulation of the presented work using FSI is 

technically challenging, and previous airway stenting studies have been unable to 

adequately capture the stent-tissue interaction due to the limitations imposed 

(Malvè et al. 2011a; Malvè et al. 2014; Chaure et al. 2016), and so, practically 

speaking this may not currently be a viable option. It should also be pointed out that 

the applied pressure conditions were not animal specific, and were based instead on 

human data. However, animal specific pressure data was not available, and suitable 

ovine related data was not found in the literature. Another limitation is the use of 

static CT data which doesn’t capture the dynamic effects of the lungs. The coefficient 

of friction between the stent and airway is assumed to be 0.1. A different coefficient 

could significantly affect stent loading results. A linear pressure-displacement 

relationship is assumed to calculate the pre-stress. In reality there are no straight 
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lines in the body and so this leads to a slight underprediction of the pre-stress used 

in this analysis. Another limitation is the use of just one respiration cycle in the 

analyses; continued cycling could shed more light on migration, granulation and 

constant-life results. 

4.6 Summary and Conclusions 

This study presents a computational framework that can be used to evaluate 

tracheobronchial stent designs using realistic in-vivo loading conditions. An ovine 

biomechanical lung model was developed that was capable of capturing realistic 

physiological loading with the inclusion of in-vivo stress states, global lung 

deformation and local pressure conditions. Stent deployment was simulated and a 

comprehensive study on tissue-stent interaction was performed for a variety of stent 

types and loading combinations. Results indicate that three of the primary 

complications associated with tracheobronchial stents including stent migration, 

granulation tissue formation and stent fracture could be investigated with this 

framework.  

A major conclusion of this work is that airway deformation caused by global lung 

motion can have a significant impact on stent mechanical performance, and should 

be accounted for in biomechanical modelling. Another conclusion that can be drawn 

is that varying respiratory pressure conditions can produce considerably different 

responses, meaning that to suitably evaluate a stent design, coughing and ventilation 

conditions must both be considered to properly capture the stent loading range. 

Similarly, results indicate that stent deployment can have global implications for 

airway deformation. It was also shown that airway tree structure appears to play an 

important role in maintaining stent positioning, and should be considered when 

sizing stents. Finally, results were shown to agree with clinical observations that cyclic 

stretching of the airway could promote granulation formation through irritation 

caused by stent friction. 
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A.4 Appendix 4 

A.4.1 Airway Tissue Computational Fit 

In Fig. 4.4 the stress-strain relationship for the experimentally obtained bronchial 

tissue is compared to the used computational fit. A good agreement with the 

experimental is found below a strain of 15%, but above this the material fit diverges. 

The divergence is due to the use of a compressible material with an equivalent 

Poisson’s ratio of 0.42. When fitting a hyperelastic material in Abaqus it assumes 

incompressibility and so Poisson effects are not considered. This was only realised 

post publication. To determine the effect of using a material with such a reduced 

stiffness computational models using the second order reduced polynomial with an 

effective Poisson’s ratio of 0.49 (almost incompressible) and a Yeoh material model 

(third order reduced polynomial) with a Poisson’s ratio of 0.49 were performed. The 

corresponding material fits are provided in Fig. A4.1. 

 

Fig. A4.1: Comparison of computational and experimental fits using different material models. 

The model consisted of deploying the S1 stent at FRC and simulating lung expansion 

under normal breathing conditions to TLC. In Fig. A4.2 the maximum principal stress 
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distribution in the airway at TLC is compared for each model. As can be seen from 

the figure the inclusion of a lower Poisson’s ratio results in an underprediction of the 

maximum principal stress on the tissue by up to a maximum of 53%. However, the 

stress distributions within the tissue are largely similar with areas of high stress 

predicted in the more accurate models similarly being predicted in the utilised model. 

 

Fig. A4.2: Comparison of stress induced in airway tissue when using different constitutive models 

and fits with stent S1 deployed at TLC. (a) Second order reduced polynomial with Poisson’s ratio = 

0.42, (b) second order reduced polynomial with Poisson’s ratio = 0.49, (c) Yeoh model with Poisson’s 

ratio = 0.49. Maximum principal stress shown in MPa. No pressure is applied to the model. 

Fig. A4.3 considers the distribution of maximum principal stress within the airway 

tissue. It can be determined form this that 95.5% of the volume  in the stented region 

experiences stress levels below 0.113 MPa, which corresponds to an estimated 

maximum over-prediction of strain of <10% (i.e. a strain value around 0.015). If the 

entire airway tree is considered then 94.9% of the airway volume experiences 

stresses below 0.097 MPa, which corresponds to an estimated under-prediction of 
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<6% (i.e. a strain value around 0.009). This will inevitably affect the interaction 

between the tissue and the stent, but should not overly influence the resulting trends 

and presented conclusions. 

 

Fig. A4.3: Maximum principal stress distribution in airway tissue for the entire airway tree and the 

stented region at TLC. The stented region corresponds to the area shown in Fig. A4.2.    

A.4.2 Nodal Displacement Method Accuracy 

Lung motion is realised in two distinct but related ways in this work. The first method 

(the pleural surface method) indirectly deforms the lung assembly between two 

known lung volumes using a sliding contact condition, while the second method 

(nodal displacement method) deforms the lung assembly by displacing nodes on the 

outer surface of the lung parenchyma to nodal positions previously determined by 

the pleural surface method. As only the displacement of the outer nodes on the 

parenchyma are controlled, the rest of the parenchyma and the airways of the lung 

assembly are free to deform as before. In this study the nodal displacement method 

is used to deform the zero-pressure assembly to FRC and then to TLC. It is employed 

to simplify the model for the stent loading analyses by removing the need for contact 

(which removes convergence issues associated with deforming the zero-pressure 

assembly and improves model efficiency) without substantially affecting the 

accuracy of the model. This is observed from the average residual error shown 

between models A1 and A2 in Table 4 (Chapter 4) (2.7 ± 1.3 mm and 2.9 ± 1.3 mm 

respectively). Similarly, if the total force to expand the lung assemblies are compared 



Chapter 4   

 

168 
  

(Fig. 4.17) it can be seen that the ZP assembly follows along a similar path as the FRC 

assembly. This suggests that the nodal deformation method does not significantly 

affect the local deformation of the assembly elements, as considerably higher forces 

would be expected. 

 

Fig. 4.17: Comparison of total nodal reaction force to expand the FRC lung assembly and ZP lung 

assembly to TLC using the nodal displacement method. Relative volume change based on volume 

change from FRC to TLC. 
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Abstract 

Tracheobronchial stents are used to restore patency to stenosed airways. However, 

these devices are associated with many complications such as migration, granulation 

tissue formation, mucous plugging and stent strut fracture. This study evaluates the 

effect of stent interaction on granulation formation in an ovine model. Animal data 

is used to develop a biomechanical lung model capable of capturing the lung in-vivo 

stress state and physiological loading from respiration. Stenting is simulated using a 

validated model of a prototype covered laser-cut tracheobronchial stent, and 

physiological loading is performed. Computational predictions are then compared to 

pre-clinical stenting results after a six week implantation period. Results of the 

analysis indicate an apparent correlation between contact pressure variation and 

granulation tissue formation, where the change in contact pressure provides a 

quantitative assessment of tissue irritation due to stent interaction.  

5.1 Introduction 

As much as 30% of lung cancer cases develop difficulties associated with central 

airway obstruction, which is mostly caused by benign or malignant tumour 

compression (Lee et al. 2010; Freitag 2010). When other options such as surgical 

resection fail, tracheobronchial stents are used to relieve the blockage. These devices 

are used as a last resort as they are associated with numerous complications, with 

granulation tissue formation in particular being one of the most common (Hu et al. 

2011; Fernández-Bussy et al. 2011; Ost et al. 2012). 
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Tracheobronchial stents are tubular devices that return patency to diseased airways 

by scaffolding stenosed regions. A suitable stent is selected based on a number of 

factors including healthy and diseased airway diameters, and stenosis length and 

type (Freitag 2010). The selected stent is then tracked through the airway to the 

desired location using a delivery catheter, a bronchoscope and fluoroscopic imaging. 

Once positioned, the stent is deployed and opens the stenosed airway by pushing 

out against the blockage. An extensive variety of commercial tracheobronchial stents 

are available which can generally be divided into three families: bare metal, covered 

metal and polymeric. Bare metal stents consist solely of a metal mesh which provides 

better fixation and improved clearance of secretions (Saito and Imamura 2005; 

Guibert et al. 2015), but can have negative long-term effects with incorporation into 

the airway wall and granulation tissue formation (Murthy et al. 2004; Godoy et al. 

2014). Covered metal stents are comprised of a bare metal structure attached to a 

polymeric cover which partially or completely seals off the open structure of the 

stent to prevent airway reocclusion caused by malignant tumour ingrowth through 

open struts and stent incorporation. Typically metal stents are fabricated from 

nitinol, a superelastic alloy of nickel and titanium which allows strains in excess of 

10% without plastic deformation (Stoeckel et al. 2004). These superelastic properties 

allow the stents to be crimped and deployed in a self-expanding manner. The 

Ultraflex, Wallstent, Aero stent and Taewoong stent are examples of bare and 

covered devices. Common polymeric stents include the Dumon stent, Montgomery 

T stent and Polyflex stent (Freitag 2010), and are typically fabricated from tubes of 

material that resist tumour ingrowth.  

All commercially available tracheobronchial stents are associated with complications 

(Freitag 2010). The four primary complications are granulation tissue formation, 

stent migration, stent fracture and mucous plugging. Stent migration is thought to 

be in the order of 10% for malignant cases and even higher for benign stenoses 

(Freitag 2010). Stent fracture is observed in all metal airway stents with reported 

fracture rates between 2% and 55% (Chung et al. 2008; Dooms et al. 2009; 

Fernández-Bussy et al. 2011; Ost et al. 2012). Mucous plugging has been observed in 

a range between 4% and 30% of cases for a variety of stent types and indications 
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(Razi et al. 2010; Fernández-Bussy et al. 2011; Jeong et al. 2012). Granulation tissue 

formation was identified in 57% of lung transplant patients requiring stents in one 

study (Fernández-Bussy et al. 2011), while for benign and malignant indications it has 

been detected in a range between 10% and 33% (Saad et al. 2003; Dooms et al. 2009; 

Chung et al. 2011; Jeong et al. 2012). 

Granulation tissue formation is the complication that most often requires 

intervention after stent placement (Hu et al. 2011; Fernández-Bussy et al. 2011; Ost 

et al. 2012). Severe granulation formation can cause large stenoses that hamper 

airflow resulting in the need for secondary treatment which can include 

electrocauterization, cryotherapy, laser photocoagulation, radiofrequency ablation, 

balloon dilatation, stent removal, or secondary stent implantation (Fernández-Bussy 

et al. 2011; Chung et al. 2011). A combination of mechanical irritation and bacterial 

infection is believed to initiate its formation (Schmäl et al. 2003; Ost et al. 2012), 

which typically occurs at the stent ends (Schmäl et al. 2003; Freitag 2010; Hu et al. 

2011). Excessive expansion forces and cyclic motion between the stent and the 

airway wall is thought to cause trauma that results in inflammation and granulation 

tissue formation (Schmäl et al. 2003; Saad et al. 2003; Grewe et al. 2005; Ost et al. 

2012). Little is known about preventing its formation, but poor stent sizing is widely 

believed to play an important role, with oversizing applying excessive force and 

undersizing allowing increased stent motion (Saad et al. 2003; Hu et al. 2011; Ost et 

al. 2012). Other factors that might affect granulation formation include strong 

bronchial mucosal inflammation in certain patients (Saad et al. 2003) and tortuous 

airways (Chung et al. 2008). 

Lung motion during respiration is an intricate process where the lung maintains a 

passive role, being driven instead by the relationships between the pleurae, 

diaphragm and intercostal muscles. The pleurae surround the lungs, and line the 

mediastinum and diaphragm, forming thin fluid-filled sacs that allow frictionless 

motion between the lung and thoracic cavity. A negative intrapleural pressure 

maintained within the pleural cavity ensure the lungs remain inflated at all times. The 

contraction of the intercostal muscles and diaphragm cause a reduction in 

intrapleural pressure which inflates the lungs and initiates airflow. The prediction of 
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lung motion has been modelled computationally using a number of methods 

including deformable image registration and biomechanical modelling (Werner et al. 

2009; Brock 2010; Al-Mayah et al. 2011; Murphy et al. 2011). Biomechanical 

modelling is the preferred method when considering tissue mechanics as it makes 

use of physiological parameters. This method typically controls lung motion by either 

projecting one lung surface onto another (Tawhai et al. 2009; Al-Mayah et al. 2010; 

Tehrani et al. 2015; McGrath et al. 2017) or by applying a negative pressure to a 

surface (Villard et al. 2005; Werner et al. 2009; Fuerst et al. 2015), in both cases lung 

deformation is usually limited by other respiratory phases. For the most part 

biomechanical lung modelling has focused on the prediction of tumour motion 

during respiration for more efficient radiation therapy application. In these instances 

the studies have been more motivated on the global deformation of the lung caused 

by organ inflation and deflation during respiration (to predict tumour motion) than 

on the local airway deformation caused by pressure changes associated with gaseous 

flow. Therefore, the lung is generally considered a homogenous unit where the 

parenchyma, airways and arterial network is defined by a single material 

representation (Werner et al. 2009; Al-Mayah et al. 2011). Al-Mayah et al. (2010) 

evaluated the effect of inhomogeneity caused by the inclusion of a bronchial tree 

(represented by shell elements) and found that it had little effect on capturing global 

lung movements, but was shown to have more localised effects. Other studies have 

evaluated the effect of in-plane, local deformation on stent and tissue response in 

isolated tracheal airways, using FSI (fluid solid interaction) modelling to assess the 

effects of fluid dynamics on stented or unstented airway geometries (Malvè et al. 

2011a; Malvè et al. 2014; Chaure et al. 2016). These studies use realistic structural 

representations of the trachea’s cartilage rings and smooth muscle components in 

combination with anisotropic material constitutive models to accurately capture 

local tissue mechanics. Malvè et al. (2011a) proposed that high stresses detected at 

the stent ends were a possible indication of future granulation formation. The 

observation of high stress levels at peek expiration was later shown to correlate with 

granulation formation throughout the stent implantation site in a rabbit model 

(Malvè et al. 2014). A later study conducted by Chaure et al. (2016) also highlighted 

a relationship between high stress and granulation formation in another rabbit 
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model. In this instance the stresses associated with stent deployment were shown to 

have a more significant effect than the accompanying fluid dynamics, as the stresses 

related to stent deployment had not previously been accounted for. Other studies 

have considered the consequences of tracheobronchial stenting on swallowing using 

finite element analyses (Perez del Palomar et al. 2010; Trabelsi et al. 2011; Trabelsi 

et al. 2015). The effect on the longitudinal extension of the trachea was evaluated, 

and high stresses were again detected after stent implantation which were 

associated with granulation formation observed in-vivo. These previous studies 

simplified the stent-tissue interaction by neglecting to consider stent mechanical 

performance. Stents were either rigidly deformed to an expanded state which led to 

an unrealistically stiff stent response, or modelled in the expanded configuration 

where a stress-free condition existed between the stent and tissue in the deployed 

configuration. More recently, McGrath et al. (2017) assessed the combined effects 

of local and global loading on stent-tissue interactions in the bronchi. An ovine 

biomechanical lung model was developed which included representations of the 

tracheobronchial tree and parenchyma, and accounted for the physiological stress 

state of the lung in-vivo. To better capture stent-tissue interactions stent deployment 

was simulated by crimping and releasing a stent with suitably representative 

mechanical properties. Results of the study indicated that airway stretching caused 

by global lung deformation can have a significant effect on stent mechanical 

performance. In particular, it was proposed that this cyclic stretching of the airway 

might promote granulation formation through irritation caused by stent contact. 

However, as the stent implantation was only performed computationally, no direct 

correlation between the simulated prediction and clinical observations was possible. 

The overall objective of this study is to correlate pre-clinical observations of 

granulation tissue formation with computational predictions. To accomplish this, 

animal data pre- and post-stent implantation in a sheep is utilized in combination 

with stent experimental data. A validated covered stent model is developed and 

stent deployment and physiological loading in the ovine airway is simulated in a semi-

specific biomechanical lung model. Experimentally observed granulation formation 

is then compared to computational predictions. 
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5.2 Materials and Methods 

5.2.1 Animal Work 

All procedures used conform to the ‘‘Guide for the care and use of laboratory 

animals’’ published by the US National Institutes of Health. The described procedure 

was part of a study evaluated and approved by the North Rhine Westphalian State 

Agency for Nature, Environment and Consumer Protection under number 84-

02.04.2013.A452. As part of the PulmoStent project (Thiebes et al. 2017) twelve 

healthy adult sheep were implanted with prototype covered laser-cut and braided 

tracheobronchial stents for time periods between six weeks and six months. The 

stenting procedure is described in detail elsewhere (Thiebes et al. 2017). However, a 

brief summary is provided here. The sheep were first anesthetized and intubated, 

and computed tomography (CT) of the thorax was obtained. CT was performed using 

a Siemens Somatom Definition Flash scanner with the sheep placed on its side. 

Afterwards, bronchoscopy was performed to visually inspect the airways. Stents 

were then implanted with a deployment catheter with an outer diameter (OD) of 8.5 

mm under fluoroscopic guidance. Stent positioning was evaluated by bronchoscopy 

following deployment. Afterwards, anaesthesia was concluded and the animal was 

extubated upon commencing spontaneous breathing. For one animal (Sheep A) 

implanted with a laser-cut stent for six weeks, CT was again performed pre-

euthanasia with the sheep breathing normally. Pressurised CT data for a second 

sheep (Sheep B) with no stent present was also acquired at 0, 15 and 30 cmH2O 

inflation pressures (McGrath et al. 2017). For simplicity, the 0 and 30 cmH2O pressure 

points are referred to as functional residual capacity (FRC) and total lung capacity 

(TLC) respectively. FRC relates to the volume of the lung at the end of passive 

expiration and TLC describes the maximum volume that the lung can expand to 

during maximal inhalation. After euthanasia the lungs were dissected and the 

stented bronchi were removed to record stent positioning and granulation 

formation. Histological samples were prepared by first dividing the stented bronchi 

into proximal, medial and distal sections. The sections were fixed and cut into 10-30 

μm thick samples by a cutting-grinding technique and stained with haematoxylin and 
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eosin (H&E). More information on histological methodology can be obtained from 

(Thiebes et al. 2017). 

5.2.2 Stent Fabrication 

In this study only the laser-cut prototype stent is considered. Prototype 

tracheobronchial stents were laser-cut from nitinol tubing with a 5.0 mm OD and a 

0.23 mm thickness. Each stent was expanded and shape set using a cylindrical 

mandrel, and then electropolished. The expanded stent dimensions were 

approximately 15 x 30 x 0.195 mm (OD x Length x thickness) with a flare OD of 17 

mm. A 20 mm long and 100 µm thick polycarbonate-urethane (PCU) cover was then 

adhered to the central portion of the bare stents using a polyurethane (PU) adhesive 

and PCU spray atomization procedure (Fig. 5.1(a)). Further details on the stent 

covering procedure are provided elsewhere (Nadzeyka et al. 2014; Chen et al. 2016). 

5.2.3 Stent Modelling 

5.2.3.1 Geometry and Material Properties 

The covered stent geometry included representations of the three structural 

components: the nitinol stent, the PU adhesive and the PCU cover (Fig. 5.1 (b)). Eight-

noded linear brick (C3D8R) elements with enhanced hourglass control were used to 

mesh the stent and PU adhesive. To increase computational efficiency the PCU cover 

was meshed with 4-noded shell (S4R) elements with enhanced hourglass control. The 

final mesh consisted of 811,968 and 364,896 C3D8R and S4R elements respectively. 

The methods used to create the final stent geometry are detailed in McGrath et al. 

(2016). 

The in-built Auricchio nitinol constitutive model in Abaqus (DS SIMULIA, USA) 

(Auricchio et al. 1997) was used to model the superelastic behaviour of the stent 

material. Model constitutive parameters were calibrated using tensile tests 

performed on cylindrical samples of the same tube used in stent fabrication 

(McGrath et al. 2014). Table 5.1 shows the parameters used for the model assuming 

no plasticity, and symmetric tensile and compressive properties, as is common in the 

literature (García et al. 2012; Ghriallais and Bruzzi 2014; McGrath et al. 2014). PCU 

cover material properties were similarly obtained from tensile testing of samples 



Chapter 5   

 

181 
   

(McGrath et al. 2016), and PU adhesive material properties were acquired from the 

literature (Sheikhy et al. 2013). Both polymeric materials were fit to a Neo-Hookean 

hyperelastic constitutive model, the coefficients of which are given in Table 5.2. Due 

to limitations associated with shell facet edge length to thickness ratio the cover was 

modelled with a reduced thickness of 20 μm. To account for this reduction, the 

material stiffness was increased accordingly, similar to that performed by De Bock et 

al. (2013) where shell thickness was neglected. 

5.2.3.2 Stent Model Validation 

To validate the suitability of the stent model, radial force testing was performed 

experimentally and computationally. A single stent was radial force tested between 

its nominal expanded diameter and a diameter of 7.5 mm using an eight-faced 

crimping head (RCM-H60, MPT Europe) connected to a Zwick uniaxial tensile tester 

(Zwick Roell, GmbH & Co.). The test was performed at 37 °C at a rate of 0.1 mm/s. To 

simulate the experimental test the stent model was situated in the centre of eight 

radially patterned rigid plates which were radially displaced to 7.5 mm and returned 

to their initial configuration (Fig. 5.2). General contact was defined with penalty 

tangential contact with a coefficient of friction of 0.1 and hard normal contact. No 

boundary conditions were directly applied to the stent. Further details on stent 

testing and simulation can be obtained in McGrath et al. (2016). 

 

Fig. 5.1: (a) Covered stent geometry. (b) Computational model of covered stent with adhesive shown 

in red. 
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Table 5.1: Nitinol material properties used in the Abaqus constitutive model. 

Parameter Value 

Austenite Elasticity (MPa) 53001 

Austenite Poisson’s Ratio 0.3 

Martensite Elasticity (MPa) 21500 

Martensite  Poisson’s Ratio 0.3 

Transformation Strain 0.038 

Start of Transformation Loading (MPa) 434 

End of Transformation Loading (MPa) 500 

Reference Temperature (°C) 37 

Start of Transformation Unloading 
(MPa) 

210.3 

End of Transformation Unloading (MPa) 138.7 

Start of Transformation Stress During 
Loading in Compression (MPa) 

434 

Volumetric Transformation Strain 0.038 

 

 

Fig. 5.2: Computational radial force test setup (a) at full expansion (b) at full crimp of 7.5 mm. 
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Table 5.2: Constitutive model coefficients for cover and adhesive. Cover properties are from 

McGrath et al. (2016) and adhesive properties are from (Sheikhy et al. 2013). 

Material Material Model D1 C10 

Cover Neo-Hookean 0.007681062 0.260554336 

Adhesive Neo-Hookean 0.211184593 1.01468441 

5.2.4 Lung Modelling 

This section describes the development of the lung model zero-pressure assembly, 

physiological loading and material properties. The steps used in this process are 

summarised in Fig. 5.3. As the majority of the methods performed in this work have 

been discussed in detail elsewhere (McGrath et al. 2017) only a brief summary of the 

primary steps are given. 

 

Fig. 5.3: Flow chart summarising the steps to obtain a zero-pressure assembly and apply 

physiological loading. (1) Pressurised CT data from Sheep B. (2) Parenchymal geometry created at 

FRC and TLC. (3) Airway geometry obtained from Sheep A. (4) FRC lung assembly created from 

combining airway and parenchyma geometry. (5) Sheep B FRC parenchyma is projected onto the TLC 

parenchyma geometry. (6) Forward deformation step performed displacing lung assembly from FRC 

to TLC to obtain nodal deformation. (7) zero-pressure assembly obtained from backward step where 

lung is deflated using reverse displacement. (8) Stent model created. (9) Local loading defined. (10) 

Stent deployment and physiological motion simulated.  
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5.2.4.1 Initial Lung Assembly 

In a previous study it was shown that the axial stretching of airways caused by global 

lung motion significantly affected stent-tissue interactions (McGrath et al. 2017). In 

the present work no pressurised CT data was available for the stented sheep (Sheep 

A). In order to include this motion a donor-receiver method was employed to create 

the initial lung assembly. To accomplish this the airway geometry from Sheep A (the 

donor) is orientated within the lung parenchyma of Sheep B (the receiver) at FRC. 

The pressurised parenchymal data of Sheep B can then be utilised to apply a 

representative global deformation to the airways of Sheep A. While this method is 

not ideal, it allows for a suitable representation of the natural physiological loading 

that occurs within the airways. It is assumed that at the time of CT capture for Sheep 

A the lung was at FRC. 

Mimics and 3-Matic (Materialise, Belgium) was used to extract and assemble the lung 

geometry. The airway geometry for Sheep A was composed of a partial length of the 

trachea and all observable bronchi from the CT data. A uniform thickness of 1 mm 

was assigned to the airways. For Sheep B the lung parenchyma geometry at FRC and 

TLC was obtained as a continuous surface where separate lobes were neglected. The 

initial donor-receiver lung assembly was formed by inserting the airway of Sheep A 

into the FRC parenchyma surface of Sheep B (Fig. 5.4). Using TetGen (Si and Gärtner 

2015) the resulting airway and parenchyma volumes were meshed with a high quality 

tetrahedral mesh. Only the left lung and airway is modelled in this work. However, 

the modelling approach is easily extended to the right side if necessary. Mesh 

convergence was performed using the maximum Von Mises stress at a number of 

discrete points in a simulated stent deployment in a tubular section. The selected 

mesh was found to converge to below 5% of a mesh twice as dense. The final mesh 

contained 405,252 and 407,788 elements for the lung parenchyma and airway 

respectively. 
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Fig. 5.4: Initial lung assembly with donor airway embedded in receiver parenchyma. Inset shows 

final mesh detail in stent deployment region. 

5.2.4.2 Zero-pressure Lung Assembly 

As the acquired CT data of the in-vivo lung contains pre-stresses due to negative 

intrapleural pressure a zero-pressure (ZP) lung model is required. This is attained by 

utilising an inverse method developed in McGrath et al. (2017) and loosely based on 

the method presented by Bols et al. (2013). Briefly, the method uses a forward step, 

followed by a backward step to obtain the ZP assembly. In the first step lung motion 

is simulated between FRC and TLC where it is assumed no pre-stress is present at the 

FRC position. The forward motion is simulated using a pleural surface method 

adapted from Tawhai et al. (2009), where the outer surface of the lung assembly 

parenchyma is constrained to remain in frictionless contact with a surface 

representing the deforming pleural cavity. Deformation of the pleural surface is 

determined by projecting the pleural surface at FRC onto the corresponding surface 

at TLC. All nodes on the cut surface of the trachea are held in all directions. The 

displacement of each node in the lung assembly is recorded to create a displacement 

vector field (DVF). After obtaining the DVF the backward step is executed. In this step 

it is assumed that a pre-stressed lung at FRC deflates to a ZP position along the 

reverse path of the DVF. A uniform scaling based on the ratio of an assumed 

intrapleural pressure of 6.84 cmH2O (Hurewitz et al. 1984) at FRC and the pressure 

difference between FRC and TLC (30 cmH2O) is applied to the DVF. This is then 

subtracted from the FRC assembly nodal coordinate field (NCF) to obtain the 
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resulting ZP assembly NCF. This method employs a physiologically relevant 

deformation to obtain the ZP assembly. Further details on the application of the 

method can be obtained in McGrath et al. (2017). 

5.2.4.3 Physiological Loading 

Physiological motion is applied to the lung to simulate normal breathing through a 

combination of global and local deformation. The global deformation is applied to 

the ZP assembly by displacing the nodes on the outer surface of the lung 

parenchyma, firstly, to FRC to apply a pre-stress, and then to TLC to capture the full 

range of motion of the lung. Finally, the lung is returned to FRC to complete the 

respiratory cycle. Local deformation is applied to represent the effects pressure 

variation has in the vicinity of the airways. This is applied using a uniform pressure 

on the airway surface which follows the sinusoidal pressure-volume association 

shown in Fig. 5.5 which represents normal breathing conditions. Due to the 

unavailability of appropriate ovine data in the literature human information was used 

to describe the pressure conditions. However, as ovine lung function falls within 

typical human ranges (Scheerlinck et al. 2008; Bähr and Wolf 2012) this should not 

overly impact the results of the study.  

 

Fig. 5.5: Pressure-volume relationship for normal breathing adapted from (Wall and Rabczuk 2008; 

West 2012). Lung volume is considered at 0% at FRC and 100% at TLC.  
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5.2.4.4 Lung Material Properties 

Preliminary airway properties were obtained from tensile testing of main bronchi 

tissue and fit to a second order reduced polynomial, where the strain energy 

potential is represented by 

𝑈 =  ∑ 𝐶𝑖0
2
𝑖=1 (𝐼1̅ − 3)𝑖 + ∑

1

𝐷𝑖
(𝐽𝑒𝑙 − 1)2𝑖2

𝑖=1   (5.1)  

where 𝐶𝑖0 and 𝐷𝑖 are temperature-dependent material parameters, 𝐼1̅ ̅ is the first 

deviatoric strain invariant and 𝐽𝑒𝑙
 is the elastic volume ratio. To account for the 

natural variation in airway wall thickness four material properties were utilised 

where the constitutive model coefficients were linearly scaled by assuming a 

constant relationship between airway diameter and thickness (McGrath et al. 2017). 

Material properties are given in Table 5.3. Though the airways contain a combination 

of constituents including cartilage and smooth muscle the material properties are 

assumed homogenous and isotropic. Parenchyma properties were initially fit to 

results from Rausch et al. (2011) using a second order reduced polynomial. The 

determined constants were then linearly scaled until the pressure to expand the ZP 

lung from FRC to TLC was similar to the pressure measured at TLC. Further details on 

material data can be obtained from McGrath et al. (2017). 

Table 5.3: Tissue constitutive model coefficients. M1 to M4 refer to airway materials and L1 refers to 

the parenchymal material. A Poison’s ratio of 0.42 and 0.3 was used for airway and parenchyma 

respectively. 

Parameter M1 M2 M3 M4 L1 

Scale 1.33 0.98 0.64 0.34 0.37 

D1 2.099 2.848 4.361 8.210 1365.218 

D2 0 0 0 0 0 

C10 0.081 0.059 0.038 0.021 0.00034 

C20 0.874 0.644 0.421 0.223 0.0014 

5.2.5 Stenting Analyses 

All simulations were run using Abaqus/Explicit (V6.14) due to large deformations and 

non-linearities caused by contact. The ratio of kinetic to internal energy was 
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maintained below 5% for all simulations. Semi-automatic mass scaling was used with 

a target time increment of 1E-6 and a lowest stable time increment of 2.55E-8. Stent 

deployment is simulated over a number of steps as indicated in Fig. 5.6. Firstly, the 

ZP assembly is deformed to FRC (Fig. 5.6 (a)) where the stent delivery system is 

positioned based on a combination of bronchoscopy and CT images. A rigid cylinder 

acting as the outer tube of the stent delivery system is then expanded from 5 mm to 

8 mm to straighten the airway and allow stent deployment (Fig. 5.6 (b)). 

Simultaneously, the stent is crimped to 7.5 mm using a rigid cylinder. Afterwards, 

stent deployment is simulated by radially expanding the rigid cylinder restraining the 

stent, while at the same time returning the outer tube to its original diameter, and 

allowing the stent to make contact with the inner surface of the airway (Fig. 5.6 (c)). 

At this point the only contact in the model is between the stent and airway surfaces 

which allows for deformation between FRC and TLC (Fig. 5.6 (d)). One inspiration and 

expiration cycle is executed using the physiological loading previously described. The 

average diameter of the airway at the implantation site is 12.8 mm, though the 

diameter tapers from 14.1 mm at the proximal end to 11.7 mm at the most distal 

stent portion. A simulation of normal breathing between FRC and TLC is also 

performed without including stent deployment for comparative purposes. 

 

Fig. 5.6: Summary of stent deployment and physiological loading steps. (a) Lung assembly is 

deformed to FRC. Delivery system outer (green) is shown at its initial diameter of 5 mm. (b) Stent 

crimped and delivery system outer expanded to 8 mm. (c) Stent deployed. (d) Physiological loading 

applied with lung assembly at TLC. 
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5.3 Results 

5.3.1 Animal Study Results 

A combination of CT data pre-euthanasia and excised tissue images post-euthanasia 

are shown in Fig. 5.7. In the CT slice shown in Fig. 5.7 (b) the distal and medial regions 

of the stented airway appear granulation free, while granulation tissue formation is 

observed proximally. This observation is repeated in the axial CT sections shown in 

Fig. 5.7 (c), (d) and (e), with Fig. 5.7 (c) showing granulation formation around the 

circumference of the proximal stent end, including a slightly larger formation on the 

left side of the airway. Fig. 5.7 (f) and (g) show proximal and distal images of the 

excised stented bronchus. Proximally, granulation formation corresponding to that 

observed in the CT data can be seen, while in the distal region slight airway thickening 

is also observed. The diameters presented in Table 5.4 highlight the significant 

growth at the proximal end with a maximum to minimum diameter ratio of 2.72. The 

distal end shows a slightly higher ratio to the medial portion of 1.27 and 1.10 

respectively. 

 

Fig. 5.7: CT pre-euthanasia and excised tissue images. (a) Reconstructed CT of the left stented airway 

with cut section. (b) Longitudinal CT slice of stented airway with proximal (green), medial (blue) and 

distal (red) section lines. (c) Proximal cross-section. (d) Medial cross-section. (e) Distal cross-section. 

(f) Proximal excised tissue section. (g) Distal excised airway section. L and R refer to Left and right. 
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Table 5.4: Minimum and maximum airway diameters measured from CT at proximal, medial and 

distal positions of stented airway. 

Diameter Proximal Medial Distal 

Minimum (mm) 5.49 11.97 10.8 

Maximum (mm) 14.93 13.13 13.76 

Diameter Ratio 2.72 1.10 1.27 

 

The excised stented left bronchus is shown in Fig. 5.8. It can be seen that granulation 

formation is primarily observed at the proximal stent edge in the uncovered region, 

where a large amount of newly formed tissue exists. Distally, there is some 

inflammation with part of the uncovered stent end embedded in the new tissue. 

 

Fig. 5.8: Excised stented bronchus highlighting regions of interest. (1) Proximal section of bare stent 

struts embedded in granulation tissue. (2) Granulation tissue formed over proximal bare stent struts. 

(3) Granulation tissue formed over distal bare stent struts. (4) Bare stent struts visible distally. 

The histological H&E stained sections in Fig. 5.9 provide further information on the 

state of the tissue in different regions of the stented and unstented bronchus. The 

unstented control section in Fig. 5.9 (a) provides a good example of a healthy airway, 

with the epithelium, lamina propria, submucosa and cartilage all visible. Similar 

structures are also observed in the medial section of the stented airway with no 

apparent thickening (Fig. 5.9 (c)), however, the epithelial layer is less visible, which is 

probably due to interaction with the PCU cover. At the proximal and distal sections 

(Fig. 5.9 (b) and (d)) granulation tissue is clearly visible with collagen fibres and dense 
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connective tissue surrounding the stent struts, and no discernible epithelial layer. It 

can be seen that qualitatively the proximal end produces the largest inflammatory 

response (Fig. 5.9 (b)), followed by the distal section (Fig. 5.9 (d)) and no obvious 

response in the medial section (Fig. 5.9 (c)). It should be noted that embedding of the 

stent does not occur in the proximal histology image (Fig. 5.9 (b)) as the section is 

taken from the covered portion close to the proximal end. 

5.3.2 Simulation Results 

5.3.2.1 Stent Validation 

Experimental and computational results of stent radial force are shown in Fig. 5.10, 

where a suitable agreement is observed. The computational model accurately 

captures the experimental radial force over a large range of diameters between 15 

and 9 mm. Below 9 mm the stent model does not predict as well, but this is 

acceptable as the stent is deployed into an airway with an average diameter of 12.34 

mm and a minimum of 11.7 mm. Reduction in shell thickness may account in part for 

the inability to capture the higher forces observed at lower diameters. 

5.3.2.2 Physiological Loading 

5.3.2.2.1 Lung Deformation 

Lung assembly deformation between ZP and TLC is shown in Fig. 5.11. A maximum 

displacement of 39.5 mm occurs along the inferior parenchymal surface 

corresponding to the large motions associated with the diaphragm. The airways 

undergo large displacement by up to 32.0 mm, with the deformation between ZP and 

FRC accounting for almost 20% of the total displacement. 
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Fig. 5.9: Histological sections with H&E staining. (a) Control, (b) proximal section, (c) medial section, 

(d) distal section. 

 

Fig. 5.10: Experimental and computational results of stent radial force. 
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Fig. 5.11: Visualisation of the deformation the lung assembly undergoes between ZP and TLC. 

Displacement in mm. 

5.3.2.2.2 Stress Results 

Maximum principal stress contours of the stented region are shown in Fig. 5.12. At 

FRC (Fig. 5.12 (a)) the stent increases the local tissue stress across the length of the 

device due to oversizing. A higher concentration of increased stress occurs in the 

distal portion. When lung motion is simulated to TLC the stress increases across the 

entirety of the stented region with the highest stresses observed at the bronchi 

branch points and at the distal stent end (Fig. 5.12 (b)). The stress at TLC in an 

unstented simulation is shown in (Fig. 5.12 (c)) with stresses in a similar range to 

those found in the stented model. While it is evident that the stent increases the 

stress experienced by the tissue across the length of the device, it only causes the 

maximum principal stress to increase by just over 4%. The large increase in stress 

seen in the unstented model is due to the deformation of the airways between FRC 

and TLC naturally increasing the stress in the tissue. The axial stretching of the 

airways and the relative positioning of the stent over the breathing cycle can be 

observed in Fig. 5.12 (a) and (b) (red arrows). 
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Fig. 5.12: Maximum principal stress around stented airway section at (a) FRC, (b) TLC, (c) TLC with a 

simulation that did not include a stent. Arrows indicate the positioning of two branch points to 

illustrate the stretching that occurs in the airway. Maximum principal stress shown in MPa. Views 

are of inner surface of bronchi on the left side.    

To solely consider the stress contribution the stent imparts on the airway tissue (i.e. 

remove the effects of airway deformation due to lung motion), the maximum 

principal stress for each element in the unstented tissue at TLC is subtracted from 

the corresponding elemental stress in the stented model (Fig. 5.13). The greatest 

change is observed at a medial branching point (Fig. 5.13 (a)), followed by a distal 

branch point. A general increase in stress is observed across the length of the stented 

region, although a reduction in stress is observed at the proximal end. 
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Fig. 5.13: Difference in maximum principal stress between an unstented airway and stented airway 

at TLC. (a) Leftward side of stented airway (b) Rightward side of stented airway. Stress difference 

shown in MPa. 

5.3.2.2.3 Contact Pressure Results 

Repetitive motion injury is believed to be one of the primary causes of granulation 

tissue formation which is caused by sustained friction between the implant and the 

airway during respiratory motion (Saad et al. 2003; Ost et al. 2012). One method to 

evaluate this interaction which has previously been proposed by McGrath et al. 

(2017)  is to record the variation in contact pressure across the stented airway surface 

over a full respiratory cycle, where large variation in pressure highlights relative 

motion between two surfaces in contact. Here the contact pressure change is 

calculated using 

𝑃∆ =  𝑃𝑚𝑎𝑥 − 𝑃𝑚𝑖𝑛   (5.2)  

Where 𝑃 𝑚𝑎𝑥 and 𝑃𝑚𝑖𝑛 are the maximum and minimum nodal contact pressures on 

the airway tissue over a respiratory cycle. The variation in contact pressure on the 
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airway surface over a respiratory cycle is shown in Fig. 5.14 for both sides of the 

stented bronchus. In Fig. 5.14 (a) it can be seen that higher contact pressure ranges 

are experienced proximally at the stent end, though some large contact pressure 

variation is also observed at the lower distal end. Throughout the medial section of 

the left side of the airway there is a relatively low variation in contact force. On the 

right side of the airway a relatively low variation in force is observed throughout the 

length of the stented region (Fig. 5.14 (b)). It should be noted that small variations in 

contact pressure will also be observed due to changes in stent reaction force, but 

these are expected to be minor due to low overall force variation. 

A qualitative comparison of the surface area occupied by different contact pressure 

ranges is shown in Fig. 5.15, where it can be observed that only small regions, 

primarily at the stent ends experience contact pressure variations greater than 50 

kPa (Fig. 5.15 (a) and (b)). At ranges above 10 kPa the covered area is much more 

widespread (Fig. 5.15 (d)). Most of the stented airway surface experiences contact 

pressure ranges in excess of 1 kPa. 

Quantitative measures of stent radial force, stent OD and average contact pressure 

change at proximal, medial and distal positions, along with the total average is shown 

in Fig. 5.16. Stent reaction force is calculated at FRC after stent deployment (Fig. 5.16 

(a)). The highest force is observed at the most distal stent ring with a value of 1.15 N, 

which is expected due to the airway taper. Correspondingly, the lowest diameter at 

FRC is observed distally (Fig. 5.16 (b)). The average regional contact pressure change 

over a respiratory cycle is shown in Fig. 5.16 (c) where the proximal end exhibits the 

highest variation with a range of 69.5 kPa, followed by the distal end with 43.2 kPa 

and the medial region with 12.1 kPa. The average over the entire length of the 

stented tissue was 15.8 kPa. 
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Fig. 5.14: Airway contact pressure change contours showing (a) leftward side of stented airway (b) 

rightward side of stented airway. Stent positioning shown in insets. Contact pressure ranges shown 

in MPa. 

 

Fig. 5.15: Contact pressure range above (a) 100 kPa (b) 50 kPa (c) 25 kPa (d) 10 kPa (e) 1 kPa. Inset 

showing stent positioning. Note the average proximal contact change is 2.53 mm long for ranges 

above 100 kPa (arrow in (a)). 
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Fig. 5.16: Regional measures of (a) stent reaction force at FRC, (b) stent expanded diameter at FRC, 

(c) average contact pressure change over the respiratory cycle. 

5.3.2.2.4 Stent Migration 

A common complication associated with airway stenting is migration. The positioning 

of the stent at FRC directly after deployment and after cyclic loading is illustrated in 

Fig. 5.17. The stent migrated proximally by an average of 0.82 mm after the loading 

cycle.  
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Fig. 5.17: Stent positioning at FRC post deployment (red) and post respiratory cycle (blue). The 

average difference in axial position is 0.82 mm. Note the stent is shown without cover and adhesive 

for simplicity. 

5.4 Discussion 

The inflammatory response that drives the formation of granulation tissue is a 

complex process that is thought to be initiated by a combination of mechanical 

irritation and bacterial infection (Schmäl et al. 2003; Ost et al. 2012). Excessive force 

caused by stent expansion and irritation due to repetitive motion at the stent ends 

are understood to be the main mechanical instigators of granulation formation 

(Hautmann et al. 1999; Saad et al. 2003; Noppen et al. 2005; Hu et al. 2011; Ost et al. 

2012). Excessive force from the stent presumably cuts off blood flow through the 

capillaries which causes ischemic necrosis followed by granulation tissue formation 

(Diaz-Jimenez and Rodriguez 2013). Repetitive motion at the stent ends damages the 

epithelial surface which can result in granulation tissue formation. Granulation tissue 

is most often reported at the stent ends (Burningham et al. 2002; Zakaluzny et al. 

2003; Lemaire et al. 2005; Hu et al. 2011; Godoy et al. 2014; Thiebes et al. 2017), 

which is consistent with what is observed in Fig. 5.8 and Fig. 5.9 with granulation 

tissue at both ends, and no observable thickening in the central portion of the 

stented region. More inflammation is seen proximally, followed by the distal region, 

with little observed medially. 

A common predictor of granulation formation in the literature has been regions of 

high stress caused by stent introduction inducing trauma in the tracheal tissue (Perez 

del Palomar et al. 2010; Trabelsi et al. 2011; Malvè et al. 2011b; Malvè et al. 2011a; 

Malvè et al. 2014; Chaure et al. 2016). Most notably, studies by Pérez del Palomar et 

al. (2010), Trabelsi et al. (2011), and Chaure et al. (2016) all correlated areas of 
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significantly increased maximum principal stress (>100%) with clinical observations 

of tissue growth. However, in this study the stent implantation only increases the 

maximum principal stress by around 4% at TLC (Fig. 5.12), suggesting that high 

stresses may not be responsible for the observed tissue reaction.  

Other studies have similarly reported stent implantations having little effect on the 

stresses experienced by the airway tissue during swallowing due to the large motions 

involved in airway deformation (Perez del Palomar et al. 2010; Trabelsi et al. 2011). 

Interestingly, while there is a general increase in stress throughout the length of the 

stented tissue (Fig. 5.13), reductions in maximum principal stress are recorded at the 

proximal end where the largest in-vivo reaction was observed. 

A better correlation is observed in this study between the change in contact pressure 

over the respiratory cycle and the experimental observations of granulation tissue 

formation. In Fig. 5.16 (c) the average contact pressure change in the proximal region 

is 4.4 times higher than the overall average of the stented region. The distal end is 

2.7 times higher than the average, while the medial section is 1.3 times smaller. 

These results suggest that a more significant inflammatory response may be 

expected proximally, followed by a reduced response in the distal region, which is 

what is found experimentally. Here, the change in contact pressure is being used as 

a quantitative measure of the irritation the stent causes the airway tissue due to the 

repetitive friction between the two surfaces during respiratory motion. This has 

previously been proposed as a possible cause of granulation formation in clinical 

settings (Saad et al. 2003; Ost et al. 2012). The change in contact pressure is driven 

by the same axial stretching of the airways that causes the increase in stress in the 

bronchial tree (Fig. 5.12). As the airways stretch the tissue rubs against the expanded 

stent which itself resists axial stretching. The motion of the airways relative to the 

stent can be seen between Fig. 5.12 (a) and (b) where the distance between the 

proximal stent end and the proximal branch point (red arrow) increases between FRC 

and TLC. This rubbing motion results in a change in contact pressure, which is most 

evident at the stent ends. It should be noted that stent migration may have an 

influence on the contact pressure range results as high levels of contact pressure 

variation will be recorded at the stent ends. However, if this were to influence the 
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results in this study then higher contact pressure variation would be expected in the 

distal region due to the higher radial force applied by the distal section of the stent 

(Fig. 5.16 (a)), which is not the case. 

A noteworthy result of the presented work is that the stent reaction force does not 

appear to influence the contact pressure change over the respiratory cycle as one 

would expect. In Fig. 5.16 (a) the distal portion of the stent applies the most force on 

the airway tissue, but the highest average contact pressure change is observed in the 

proximal region (Fig. 5.16 (c)). One would expect the higher reaction force to have 

more influence on the pressure change as the pressure exerted on the tissue from 

the stent should be greater distally. This may be explained by the lower proximal 

reaction force allowing additional movement of the proximal stent end (Fig. 5.12) 

during respiration which results in the recording of a higher change in contact 

pressure proximally. 

The results of the study also indicate that a certain magnitude of contact pressure 

variation may be required to initiate an inflammatory response. No apparent 

mucosal thickening was noted in the medial section of the airway (Fig. 5.9 (c)) despite 

there being an average contact pressure change of 12.1 kPa in this region (Fig. 5.16 

(c)). From Fig. 5.15 (e) it can be seen that the majority of the stented surface 

experiences contact pressure changes of at least 1 kPa, and a significant area also 

encounters values greater than 10 kPa (Fig. 5.15 (d)). This suggests that a certain 

amount of contact pressure variation may be tolerated by the tissue before 

inflammation is initiated. In this instance it appears that values around 12 kPa are 

“safe”, though further analysis will need to be performed to further evaluate this 

assertion. 

An important aspect of the current study is the use of an experimentally validated 

stent model. Previous studies have neglected to consider the mechanical 

performance of the stenting device which could lead to incorrect estimation of tissue 

stresses due to stent interaction. The findings of the analysis appear to suggest that 

contact pressure change may be a suitable predictor for granulation formation, and 
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the framework utilised in the current study may aid with the improvement of future 

tracheobronchial stent designs. 

5.5 Limitations 

The model developed in this work contains a number of limitations. The use of a 

donor-receiver method to apply a suitable global deformation to the bronchial tree 

through lung motion simulation is not ideal as it does not apply animal-specific 

loading. Instead, it applies an animal-specific loading to another animal’s airway tree. 

A better approach, if patient-specific pressurised CT data or 4D CT data is not 

available, would be to use a mean motion model similar to those proposed by 

Ehrhardt et al. (Ehrhardt et al. 2008; Ehrhardt et al. 2011). However, this data is not 

available for ovine models and would require method conversion from deformable 

image registration to a biomechanical approach. Additionally, the use of just one 

animal in this study means that further analysis will need to be performed to further 

confirm the correlations obtained. 

Another limitation of this study is the simplification of tissue properties. The airway 

tissue is considered an isotropic and homogenous material even though it is 

composed of (among other components) a combination of cartilage and smooth 

muscle, and exhibits anisotropic properties (Codd et al. 1994; Trabelsi et al. 2010). 

This assumption may be suitable for the smaller bronchial airways where cartilage is 

randomly orientated, but it will have a more noticeable effect in the larger airways 

where c-shaped cartilage rings structurally support the airway. This means that the 

model is not suitable for tracheal stenting analyses in its current guise. However, 

cartilaginous representations could be introduced as in Malvè et al. (2014) if 

necessary. Similarly, the use of constant airway thickness and a range of material 

properties to describe the naturally reducing thickness results in stress continuities 

at material boundaries which are not ideal. 

To determine the pre-stress a linear pressure-displacement relationship is utilised, 

which slightly underpredicts the level of pre-stress necessitated.  A coefficient of 

friction of 0.1 between the stent and bronchial tree is utilised. Altering this coefficient 

could affect the obtained results. 
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5.6 Summary and Conclusions 

In this work pre- and post-stenting data was obtained for a sheep that received a 

prototype covered laser-cut stent for a period of six weeks. Image and experimental 

data was used to develop a semi-specific biomechanical lung model that captured 

the lung in-vivo stress state and physiological loading conditions under normal 

respiration. Stent deployment in the bronchial airway was simulated using a 

validated stent model. Results of the computational analysis were then correlated 

with pre-clinical observations. The major conclusion of this work is that there appears 

to be a correlation between the change in contact pressure applied to the stented 

airway and granulation tissue formation. The change in contact pressure in this 

instance represents the irritation experienced by the tissue due to the introduction 

of the device. Interestingly, there was no apparent correlation between principal 

stress and granulation formation. The presented framework may eventually lead to 

improved stent designs for tracheobronchial applications.  
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Chapter 6 

Conclusions and recommendations 

6.1 Introduction 

This chapter summarises and discusses the work presented in this thesis. In Section 

6.2 a summary of the main findings of the technical chapters (Chapters 2-5) is given 

and a discussion on their possible application towards future stent design is provided. 

This is followed by recommendations for future research (Section 6.3) and final 

concluding remarks (Section 6.4). 

6.2 Thesis Summary 

Tracheobronchial stents are associated with numerous complications. The focus of 

this thesis is on the development of a computational and experimental framework 

that can be used to better understand the mechanical performance of these devices, 

with the aim of being able to facilitate the improvement of future generations of 

stent designs. This is accomplished in this work by developing an array of tools that 

can evaluate stent performance from the bench-top to implantation. 

The large deformations required of self-expanding nitinol tracheobronchial stents 

can make them difficult to design. In Chapter 2 the influence of the transitional stage 

of nitinol loading on stent stability was investigated for the first time. A 

computational and experimental analysis showed that the amount of transitional 

strain within the hinges of a stent can considerably influence stent mechanical 

performance. Increased levels of transitional strain significantly reduced repeating 

unit stiffness which initiated stent axial buckling. Through the use of an instability 

analysis and a proposed instability parameter (𝐼𝑈) the effect of transitional strain on 

repeating unit mechanics was evaluated and eliminated from the design. The analysis 

indicated that a reduction in the percentage of material in the transitional strain 

range leads to increased stent stability. Geometric dimensional changes and material 

property variation were utilised to obtain a reduction in transitional strain. While 
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material property variation is not easily replicated in real-world conditions, its use 

was capable of validating that the observed effects were from the transitional strain 

and not caused by geometric effects due to dimensional modifications. Further 

validation was obtained in Chapter 3, where a link between radial buckling and 

transitional strain was also exhibited. Conventional wisdom suggests increasing strut 

thickness to combat the effects of radial buckling (Duerig et al. 2000). However, this 

may not have the desired affect if critical regions of the stent are already within the 

transitional strain range due to the radial compression associated with stent 

deployment. Instead, radial buckling could be improved by utilising the techniques 

developed here. In Chapter 2 increasing strut length was shown to reduce the 

percentage of the cross-section within the transitional range. However, this had a 

large impact on stent radial force. In response to this, it was demonstrated that 

relatively small changes to the repeating unit hinges and strut width could increase 

radial force while simultaneously increasing stent stability, demonstrating that there 

are multiple options available to improve stability while maintaining stent 

mechanical functionality. Another noteworthy result from Chapter 2 was the 

geometric effect observed with extended strut length. An increased strut length 

causes a reduction in hinge angle which inadvertently improves stent stability due to 

the limited room afforded to the unit in which to axially displace. This study highlights 

the need to consider nitinol’s complex material properties when developing a self-

expanding stent, and provides guidance that may be useful for stent designers 

tackling issues with these devices.   

In Chapter 3 classic stent characterisation tests (radial force and flat plate) were 

combined with a novel non-uniform radial force test to contrast the mechanical 

performance of a bare and covered stent. In parallel, computational modelling was 

performed to provide a comprehensive insight into local device behaviour. The non-

uniform test in this work was developed as a simplified representation of the multi-

loading environment that a tracheobronchial stent is subjected to in-vivo, capturing 

representative non-uniform disease compression and radial compression associated 

with natural functioning of the airways. Results of the investigation showed that 

adhered covers can significantly affect stent mechanical function and should be 
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taken into consideration during the design of the metallic scaffolding structure. A 

principal conclusion of the work was that stent response (covered or bare) is highly 

loading specific, which makes it challenging to predict stent performance in-vivo from 

benchtop testing alone, as loading conditions can differ considerably from case to 

case. This was particularly evident for the covered devices where the classic stent 

characterisation tests produced very favourable results, but the non-uniform test 

introduced increased local strut strains and catastrophic failure in the form of radial 

buckling. The work performed in Chapter 3 highlights the importance of considering 

in-vivo loading conditions, and the need for improved bench-top testing and in-silico 

modelling to more comprehensively evaluate stent performance. 

Following on from the recommendations of Chapter 3 an analysis of tracheobronchial 

stent performance in-vivo was considered in Chapter 4. In this chapter a 

computational framework that can be utilised to evaluate tracheobronchial stent 

performance using realistic in-vivo loading conditions was presented for the first 

time. The developed ovine biomechanical lung model was capable of capturing 

physiological loading from a number of differing lung motions, and included in-vivo 

stress states, global lung motion and local pressure loading. It was the first 

computational analysis to consider stent deployment within the bronchial tree, to 

evaluate the effect of global lung motion on stent performance, and to utilise stent 

representations with realistic mechanical performance. While the model developed 

was of a sheep, the presented framework is easily transferable to human cases. The 

error associated with the deformation of the airways during simulated lung motion 

was found to fit within the ranges reported in the literature for other biomechanical 

lung models. Realistic stent deployment and functional loading, which considered 

both stent and tissue mechanics, and the interaction between them was simulated. 

The results of the analysis indicated that stent migration, granulation tissue 

formation and stent fracture could all be investigated with the proposed framework. 

A major conclusion of the work undertaken in Chapter 4 was that lung motion drives 

respiratory tree deformation that can have a considerable impact on stent 

mechanical performance in all areas evaluated, and so needs to be accounted for in 

biomechanical modelling. Similarly, when considering the different physiological 
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loading conditions evaluated (including normal breathing, coughing and ventilation) 

it was shown that substantially different stent reactions are obtained, which suggests 

that to suitably evaluate a stent design a variety of loading conditions should be 

considered in order to appropriately capture stent mechanical performance in-vivo. 

This follows on directly from the conclusions drawn from Chapter 3 where stent 

performance was shown to be loading dependant. Results from Chapter 4 also 

indicated that stent radial force may not be the only significant factor in sustaining 

stent placement as the respiratory tree structure appears to be able to play a 

valuable role in sustaining stent positioning. An interesting result of the study was 

that stent deployment appears to have global implications on airway motion, with 

noticeable effects down to the most distal bronchi in the model. A final observation 

from the analysis was that while large stresses in the airway tissue due to stent 

implantation were not observed, results were shown to agree with clinical 

observations that cyclic stretching of the airway could possibly promote granulation 

tissue formation through irritation caused by stent friction. This has not previously 

been considered in computational tracheobronchial stenting analyses. 

In Chapter 5 the effect of stent interaction on granulation tissue formation in an 

ovine model was investigated. In this work a semi-specific biomechanical lung model 

was developed for a healthy sheep that received a prototype covered laser-cut 

tracheobronchial stent for a six week period. A computational stent model 

representing the device deployed in the animal was validated against experimental 

testing and deployed in-silico. The effects of stent loading over a normal respiratory 

cycle were considered and results of the computational analysis were then compared 

to experimental observations from the stented animal. The major conclusion of this 

work was that a correlation appears to exist between the change in contact pressure 

experienced by the airway tissue and granulation formation. Here, the contact 

pressure change represents the irritation experienced by the tissue due to the 

friction between the airway and the stent, caused by the cyclic loading of the airways 

during lung motion. Interestingly, the local stent reaction force (i.e. the force the 

stent applies to the tissue in the proximal, medial and distal regions) didn’t appear to 

influence the pressure change over the respiratory cycle in this instance. 
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Correspondingly, there was no apparent link between the maximum principal stress 

experienced by the tissue and granulation formation. The observations from this 

study may prove useful in the optimisation of future stent designs for the reduction 

of granulation tissue formation. 

In Chapters 2-5 an array of tools was developed that can be used to evaluate various 

aspects of stent functionality. In Chapters 2 and 3 experimental bench-top tests such 

as radial force, flat plate and non-uniform radial force testing were considered. These 

can be used to assess stent mechanical performance in-vitro and to validate stent 

computational analyses. Likewise, computational analyses of the benchtop tests can 

be performed to optimise a device design. The non-uniform radial test proposed in 

Chapter 3 could prove useful when developing a stent for highly deformed 

geometries. The computational instability analysis introduced in Chapter 2 can be 

used to analyse the stability of stent designs during the initial design phase or at any 

point during design optimisation. Similarly, a more simplified analysis of the 

transitional strain within critical regions of a full 3D stent model could be performed 

to ensure stent safety. An obvious application for the biomechanical lung models 

developed in Chapters 4 and 5 is in stent design optimisation. In their current form, 

the models could be used to improve stent design, for granulation formation, stent 

migration and stent strut fracture in patient-specific cases. However, if the models 

were adapted to consider differing population based disease states they could also 

be used to improve the general functioning of tracheobronchial stents or used for 

the classification of stents for differing disease types. The in-vivo biomechanical lung 

models not only have applications in design but with further development could also 

be utilised in clinical practice. Possible outcomes of stent deployment could be 

evaluated in patient-specific scenarios, providing additional information for the 

physician on suitable stent types and sizing. While in reality this is some way out, it 

is still within the realm of possibility. 

6.3 Recommendations for Future Research 

The instability analysis performed in Chapter 2 considered the effect of the 

transitional strain range on stent repeating unit stability. While this approach was 

effective for the analysed stent, further analysis of the effects of transitional strain 
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on stent response could improve the functionality of the analysis. In the proposed 

approach the stability analysis consisted of performing a crimp simulation to 

determine levels of transitional strain within a unit cross-section, and a sensitivity 

model to determine the sensitivity of the unit to buckling. Only the strain through a 

single cross-section is considered, but it may be more informative to consider the 

amount of transitional strain within a particular volume of stent material. This is 

because the large deformations required for instabilities to occur depend on a certain 

volume of material being within the transitional plateau, which cannot be accurately 

determined from a single cross-section. It may be more useful to develop a relation 

between transitional strain volume and strut dimensions so that the likelihood of 

stent unit failure due to reducing material stiffness could be determined during a 

regular 3D analysis (such as radial force) which could then inform the designer that 

the stent should be considered for sensitivity analysis.  

A further evaluation of the non-uniform radial force test described in Chapter 3 could 

prove useful. The test was performed using a 4 mm diameter semi-circular steel rod 

positioned in a radial force tester at 12 mm. However, other combinations of 

deployment diameter, rod geometry and material were not considered. An 

interesting continuation of this study would be to investigate the different in-vivo 

disease states and replicate them with corresponding non-uniform test setups. An 

evaluation of different disease types for which stents are required would need to be 

carried out and representative geometries and loading conditions would need to be 

developed. An array of benchtop tests specific to a particular disease state could then 

be used to better evaluate stent design and choice for implantations. 

Another area of possible future research is in the further development of the 

biomechanical lung models introduced in Chapters 4 and 5. One of the major 

limitations of the biomechanical models is the lack of anisotropy and tissue 

inhomogeneity. Tissue inhomogeneity could be addressed with the inclusion of 

representations of different structural components of the airways including cartilage, 

smooth muscle and annular ligaments, as considered in other studies (Trabelsi et al. 

2011; Malvè et al. 2011; Chaure et al. 2016). Similarly, the anisotropic properties of 

smooth muscle could also be included to better capture the effects of axial and radial 
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deformation on airway stresses. While this can be implemented easily into the 

tracheal section of the model where structures like the c-shaped cartilage rings are 

generally predictable, the random orientation of cartilage in the lower airways may 

prove more difficult to accurately represent in the bronchial tree. The increased 

detail in such large models could significantly amplify model run times. Instead, 

multiscale analyses could be considered. Large scale macro analyses similar to those 

performed in Chapters 4 and 5 could be combined with more detailed models that 

consider tissue micromechanics. Boundary conditions determined from the larger 

macro scale models could be used to load the local geometry allowing more accurate 

results to be obtained with less computational effort. It would also be worthwhile 

computing a tangential component with regards to the correlation between contact 

pressure change and granulation tissue formation. The method proposed in this 

thesis does not adequately capture shear effects which are expected to be the 

primary cause of granulation tissue formation from repetitive motion injury.   

An important area of future consideration is on the evaluation of stent mechanical 

performance when loaded under different states in-vivo. The creation of 

biomechanical lung models that consider different physiological loading conditions 

such as extrinsic or intrinsic compression of an airway, or conditions such as 

tracheomalacia could further help improve and assess stent designs. These disease 

states could either be implemented directly from patient-specific data as in Malvè et 

al. (2011), or modifications to healthy airways could be introduced as in Xi et al. 

(2015). An aspect that has not previously been considered in this area is the effect of 

tissue properties on stent mechanical performance. Lung tissue is known to stiffen 

with age and disease (Panitch et al. 1989; Rains et al. 1992; Faffe and Zin 2009; 

Mariappan et al. 2011), and this could have implications for stent functionality in-

vivo. 

The conversion of the ovine models presented in this work to human based models 

is an additional area of future research. The framework used to develop the ovine 

biomechanical lung models can be directly implemented using human data. As more 

data is available on human lung conditions, and the stent designer is more interested 

in the effect of stents in human patients than in animals, the conversion to human 
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based models should be a priority. Ideally, with further enhancements the human 

based models could be used in a clinical setting to assist physicians to select suitable 

stent types, which is similar to methods being developed for tumour tracking in 

radiation therapy (McClelland et al. 2013). 

Additionally, the semi-specific biomechanical lung model described in Chapter 5 

could be further enhanced by considering mean motion models (Ehrhardt et al. 2008; 

Ehrhardt and Lorenz 2013). Following this framework the global lung deformation 

can be applied to the model based on average lung deformations for a large 

population of patients which would be more accurate than the method employed in 

Chapter 5. This could allow for reasonably accurate models to be developed without 

the need for multiple CT scans that increase the amount of harmful radiation 

exposure experienced by the patient. 

6.4 Concluding Remarks 

In conclusion, the focus of this thesis was on the development of a computational 

and experimental framework that can be used to improve our understanding of the 

functional performance of tracheobronchial stents, with the overall aim of being able 

to facilitate the improvement of future stent designs. This was accomplished through 

the analysis of tracheobronchial stent mechanical performance in in-vitro benchtop 

studies which considered different aspects of stent functionality, and in in-vivo 

biomechanical lung models where various stent related complications were 

considered. Out of these analyses an array of tools was developed that can be directly 

applied to improve future generations of tracheobronchial stents. 

The following specific conclusions can be drawn from the work performed in this 

thesis: 

 The amount of transitional strain within critical areas of a nitinol stent 

structure (such as hinges, struts, etc.) can considerably influence device 

mechanical performance. Increased amounts through a cross-section can 

reduce regional stiffness and induce stent failure through buckling. 

 The addition of an adhered cover to a stent structure can modify stent 

mechanical response by altering how the stent unit distributes strain. This can 
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positively or negatively affect the performance of a stent depending on the 

specific loading it is subjected to. 

 The three primary stenting complications investigated (granulation tissue 

formation, stent migration and stent strut fracture) appear to be negatively 

influenced by airway stretching caused by cyclic lung motion. 

 Different in-vivo load cases (coughing, ventilation, etc.) result in substantially 

different stent responses, suggesting that a variety of loading conditions 

should be considered to appropriately capture stent performance in-vivo. 

 Airway tree geometry appears to help reduce stent migration by allowing 

stents to lodge between stiff structures. This suggests that a high radial force 

may not be the only factor that should be considered to ensure stents 

maintain position after deployment. 

 There is an apparent correlation between the change in contact pressure 

experienced by airway tissue and granulation tissue formation due to stent 

interaction. 
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Appendix 5 

A. Appendix 5 
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