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ABSTRACT 
 
 
 

HEMOCOMPATIBILITY OF HYALURONAN ENHANCED LINEAR-LOW DENSITY 

POLYETHYLENE FOR HEART VALVE LEAFLET APPLICATIONS 

 
 
 

Heart valve disease is a major concern in both developed countries with advanced ageing 

populations and undeveloped countries which experience a high incidence of rheumatism leading 

to valvular disease. To reduce mortality and improve quality of life, heart valve implantations 

have been widely used to assist in improving function of the native cardiovascular system.  

While mechanical heart valves and tissue-based heart valves have been successfully used to 

improve quality of life compared to untreated valvular disease, draw-backs are inherent.  

Mechanical heart valves are prone to thrombosis and require life-long supplemental anti-

coagulation therapy. Tissue-based valves are more hemocompatible, but lack the durability 

required for long-term implantation. To address these issues, polymeric heart valves have been 

highly sought after due to polymers’ abilities to enhance durability and be manufactured to be 

similar to the native heart valve leaflet. In addition, their surfaces can be modified to increase 

hemocompatibility. In this work we explore the hemocompatibility and immune response to a 

novel polymer for use in heart valve leaflet applications; hyaluronan enhanced linear low-density 

polyethylene. It is proposed that the combination of linear low-density polyethylene with 

hyaluronan will create a highly durable material that will reduce thrombosis and inflammation 

due to the anionic and hydrophilic nature of the glycosaminoglycan.  
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INTRODUCTION 
 

 

 

Heart valve replacement therapy has become a crucial method of treatment to enhance 

survival and improve the quality of life of patients with valvular diseases. Heart valves are 

broadly placed into two categories: mechanical heart valves and tissue-based valves. Despite 

their overall success they are still plagued with durability and hemocompatibility issues which 

often result in the need for subsequent replacement and/or life-long anticoagulation therapy. 

Thus, there is a significant interest in creating heart valve that can address these issues. 

Polymeric based materials have been proposed for use as heart valve leaflet materials due to their 

ability to be finely tuned through manufacturing and surface modification to enhance durability, 

and hemocompatibility. One popular method for enhancing polymeric surfaces is to use 

biological inspired modifications to mimic the micro-environment of the implant region. 

Hyaluronan enhancements in particular have gained popularity in the last decade for this 

purpose. HA is a highly lubricious, anionic polysaccharide ubiquitously found in the human 

body. It is currently being investigated for a vast array of cardiovascular biomedical applications 

such as hydrogel based regenerative cell therapies for myocardial infarction, HA-coated stents, 

and surface modifications of polymers and metals for use in blood-contacting implants.  

This dissertation addresses the hypothesis that a novel heart valve leaflet material comprised of a 

sequential interpenetrating polymer network (IPN) of hyaluronan (HA) and the polymer linear 

low-density polyethylene (LLDPE) will mitigate coagulation and non-specific immune 

responses. 
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HYPOTHESIS AND SPECIFIC AIMS 
 
 
 
Hypothesis (1): Enhancement of linear low-density polyethylene (LLDPE) with a 2% silyl-high 

molecular weight hyaluronan (HA) solution with produce a non-toxic surface that will reduce 

blood protein and cellular adhesion thereby reducing hemostasis and immune response as 

compared to virgin LLDPE, and pro-coagulant PS. 

 

Specific Aim 1: Determine the effect of 2 % solution enhanced HA-LLDPE surfaces on 

cytotoxicity, the behavior of protein adhesion, platelet adhesion, activation, and aggregation, 

coagulation cascade contact activation, and whole blood clotting kinetics. This research is 

discussed in Chapter 2. 

(a) Use a lactate dehydrogenase assay (LDH) to determine if HA-LLDPE is cytotoxic to 

plasma cell components.  

(b) Investigate the effect of HA-LLDPE on whole blood clotting kinetics quantified via 

free hemoglobin concentration. 

(c) Investigate clotting on surfaces using thrombin generation assaying. 

(d) Investigate clotting on surfaces using thrombin-anti-thrombin assaying. 

(e) Investigate contact activated thrombosis on HA-LLDPE surfaces via contact activation 

assay. 

(f) Investigate the effects of HA-LLDPE on platelet adhesion on surfaces visualized 

through Calcein-AM staining. 
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(g) Qualitatively investigate platelet morphology and aggregation on HA-LLDPE surfaces 

using scanning electron microscopy to determine amount of platelet 

activation/adhesion. 

(h) Quantitatively investigate platelet activation via platelet factor 4 assaying. 

 

Hypothesis (2): Enhancement of linear low-density polyethylene (LLDPE) with a 2% silyl-high 

molecular weight hyaluronan (HA) solution with produce a non-toxic surface that will reduce 

blood protein and cellular adhesion thereby reducing immune response as compared to virgin 

LLDPE, and pro-coagulant PS. 

 

Specific Aim 2: Determine the effect of HA-LLDPE on the behavior of the immune system. This 

research is discussed in Chapter 3.  

(a) Investigate the effect of HA-LLDPE on fibrinogen adsorption as compared to LLDPE 

and PS. 

(b) Investigate the effect of HA-LLDPE on the adherence of leukocytes, visualized with 

actin/DAPI co-stain. 

(c) Investigate the effect of HA-LLDPE on complement system activation by quantifying 

Scb-59 through assaying. 

 

Hypothesis (3): Enhancement of linear low-density polyethylene (LLDPE) with a 2% silyl-high 

molecular weight hyaluronan (HA) solution with produce a non-toxic surface that will placate 

endothelial attachment and proliferation. 
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Specific Aim (3): Determine the effects of HA surfaces on endothelial cell growth, proliferation, 

and maintenance. This research will be discussed in Chapter 4. 

(a) Investigate the effect of HA-LLDPE surfaces on the functionality (adhesion, 

proliferation, viability, and morphology) of endothelial cells through assaying and cell 

staining. 

(b) Investigate the effect of HA-LLDPE surfaces on the endogenous protein expression 

of endothelial cells. 
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CHAPTER 1 
 

 

 

LITERATURE REVIEW 
 
 
 
1.1. Impact of Cardiovascular Disease in the U. S.  

In 2017, the National Health and Nutrition Examination Survey (NHANES) reported that 

approximately 92.1 million American adults suffer from at least one form of cardiovascular 

disease (CVD) 1. 2014 mortality data notes CVD accounts for 30.8% of all deaths with 

approximately 2,200 Americans passing from CVD complications daily (See Table 1.1) 1,2.  

CVD renders an exceptional financial burden upon the United States. Direct medical costs by 

2030 are projected to reach $818 billion with indirect costs ballooning to $276 billion 1. 

Comparatively, the total direct and indirect costs of CVD from 2012-2013 were estimated to be 

approximately $316 billion 1.  

While CVD remains the number one cause of death in the United States, it has witnessed 

a decline in recent years.  Between 2004 and 2014, deaths attributed to cardiovascular disease 

(CVD) in the U.S. declined by 25.3% 1. However, the actual number of  deaths in which CVD 

was the primary cause of death only decreased by 6.7% 1. Increases in the use of evidence based 

medical therapies for secondary prevention combined with bulk changes in population lifestyle, 

and environmental factors have led to the decrease in mortality 1–3. These include but are not 

limited to implantable cardiovascular medical devices, 4–7 pharmacological based therapies, 8–12 

and complementary and alternative medicine 13,14. Due to their success in reducing mortality, it is 

apparent that continued investigations into innovative and affordable medical based therapies are 

essential to helping reduce the number of CVD attributed deaths. 
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Table 1.1: Prevalence of Heart Disease and Mortality 2014 1 

 

  

 

 



7 

 

1.2 Cardiovascular Medical Devices 

1.2.1 Types of Cardiovascular Medical Devices  

Of these key interventions, cardiovascular medical devices have been widely used to 

assist in improving function of the native cardiovascular system, increase life expectancy, and 

enhance quality of life 15–18. 2015 estimates concluded that over 400,000 cardiovascular medical 

devices are implanted into patients annually in the United States 19.  These include but are not 

limited to:  coronary stents 20–23, heart valve replacements 24–27, cardiovascular patches 28,29 

,cardioverter-defibrillators 30–32, pace makers 19, ventricular assist devices 33,34  

 

 
 

Figure 1.2.1: Examples of widely used implantable cardiac devices to increase mortality and 
improve quality of life. Upper (Left): Biotronik Inc. ™ implantable cardiac defibrillator 35 
(Center): Vascutek® Gelsoft™ vascular patch 36 Right): Cryo-Life On-X ™ aortic heart valve 
with conform-x sewing ring 37 Lower (Left): Abbot group XIENCE PRIME ™ coronary stent 38 
(Center): Medtronic ™ pace-maker 39 (Right): Cirtec © left-ventricular assist device 40. 
Reproduced with permission. 

https://www.cryolife.com/products/on-x-heart-valves/grafts-and-valves/heart-valves/aortic-heart-valve-with-conform-x-sewing-ring/
https://www.cryolife.com/products/on-x-heart-valves/grafts-and-valves/heart-valves/aortic-heart-valve-with-conform-x-sewing-ring/
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1.2.2 Critical Issues of Cardiovascular Medical Devices 

By virtue of their applied therapy, all cardiac medical devices come into some contact 

with the blood. It is critical that any implantable device be designed to limit adverse blood-

contacting related events. Table 1.2.2 lists the standard length of time for blood interaction with 

common medical devices. While a myriad of  hemocompatible surfaces are consistently being 

developed, to date, no blood-contacting device or material has attained the optimal 

hemocompatibility exhibited by the native cardiovascular system 41–43. Even with the successes 

attributed to cardiovascular medical devices, they are still prone to adverse thrombosis, 

inflammatory responses, infections, and malfunctions. Geometry, regional placement, 

positioning of the implant, coating enhancements, and bulk material and surface properties, are 

some of the features that can elicit imbalanced healing responses.  Examples include  44–48. 

1) stiffness of materials such as pyrolytic carbon used for mechanical heart valve leaflets 

which can lead to blood cell lysing as shear stress is heightened during parallel flow 

across surfaces  

2) metals used to increase mechanical strength of struts or stents can be particularly 

thrombogenic due to their surface roughness, chemistry, and topography 

3)  improper choice of surface coatings which can lead to microbial adhesion and 

proliferation resulting in infections and chronic inflammation  

Because medical implants are prone to thrombosis, inflammation, and infection they often 

require supplemental therapies or treatments to ensure tolerance with the native physiology.  

While these treatments may mollify adverse device related complications, supplemental 

therapies present their own risks. For example, prolonged use of requisite antibiotics can lead to 

antibiotic resistance, while anticoagulants and anti-platelet therapies leave patients at risk for 
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bleeding and other complications 49–51.  Even with the assistance of drug-related therapies, 

thrombosis due to biomaterial-blood related interactions remains a key issue.  Thromboembolism 

is the most common adverse event stemming from blood-contacting materials and devices 52–54. 

Thrombosis and related events are still seen as major complications in vascular grafts, left-

ventricular assist devices, bioresorbable scaffolds, pacemakers, defibrillators, stents, and heart-

valve replacements 55–60. Thus, it is essential to develop biomaterials and implants that can 

reduce or negate the need for supplemental therapies and inhibit unfavorable blood related 

consequences to ensure the least risk to patient health.  

 

Table 1.2.2: Common Time Lengths of Blood Contact on Cardiovascular Devices 61 

(Reproduced with permission) 
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 1.3 Heart Valve Technology 

1.3.1 Heart Valve Replacement Therapy 

Heart valve replacement therapy (HVRT) has become the most effective treatment to 

enhance survival and improve the quality of life of those suffering from severe valvular 

degeneracies. Valve substitutes are one of the most frequently used implants world-wide 27. 

Surgical procedures for aortic valve disease alone are the second most common cardio-thoracic 

surgery in the U.S., and approximately 300,000 procedures are performed per annum world-wide 

62. Despite the overall success of these implants, even the most advanced heart valves (HV) on 

the market are plagued with issues such as durability, hemolysis, pannus tissue growth, 

thrombosis, and calcification often resulting in the need for subsequent replacement and/or life-

long anticoagulation therapy 1-3.  

 

1.3.2 Mechanical Heart Valves 

Current HVs on the market are broadly placed into two categories: mechanical heart 

valves (MHV; Fig. 1.3.2a) and tissue-based heart valves (TBV; Fig. 1.3.2b.).  MHVs made with 

synthetic leaflets have been on the markets since the 1970’s. They have proven to be highly 

durable, usually lasting the life of the patient, but can also be exceedingly thrombogenic 63. 

While the leaflets in MHVs are now made of materials such as pyrolytic carbon that are resistant 

to thrombosis, the rigid leaflet and hinge design can result in hematocyte lysis, as well as 

localized regions of turbulent flow, and stasis facilitating thrombus formation 6,46,64. 

Consequently, obstructive thrombosis in MHV patients occurs at a rate of 0.3-1.3% patient years 

with thromboembolic events and complications being reported at a rate of 0.7-6 % patient years, 

even with the use of blood-thinners 65.  
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Figure 1.3.2a: Examples of mechanical heart valves Left) Star-Edwards caged ball valve 66 
Center) Medtronic open pivot bileaflet valve 67 Right) Björk–Shiley tilting disk valve 68. 
Reproduced with permission. 

 

While MHV replacement therapy leads to a general increase in life-span and quality of 

life compared to the natural progression of untreated conditions, the requisite use of chronic 

anticoagulation therapy potentiates many complications including but not limited to, 

hemorrhagic events, skin necrosis, hair loss, jaundice, rash, bloating, and diarrhea 64,65,69.  Thus, 

while MHVs offer the longevity that should be expected of an ideal heart valve, other 

alternatives are often sought out. 

 

1.3.3 Tissue Based Heart Valves 

Alternatively, TBVs are composed of animal derived tissue based components offering a 

thin, flexible, leaflet design similar to the native valve which is vastly more hemocompatible 

than MHVs 64. As a result, patients may be able to reduce or eliminate the need for 

anticoagulation therapy after the first few months post-surgery. However, thrombosis is still a 

concern (See Fig.1.3.3b). A recent retrospective analysis of 642 patients found an incidence rate 

of aortic valve clinical thrombosis to be around 2.8% 70. Percutaneous valve replacements such 

as transcatheter heart valve implantation/replacement (TAVI/TAVR) take advantage of the 
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flexible leaflet design of TBV (See Fig. 1.3.2.b). These have been successfully used to decrease 

the risks associated with open-heart surgery while increasing the ease of serial replacement. 

TAVI/TAVR have enjoyed great success in clinical treatment and have progressed from being 

used only in high risk patients who were unable undergo open heart surgery to low and 

intermediate risk patients 71.  

 

Figure 1.3.2b: Examples of tissue-based heart valves Left) Bicor™ porcine aortic heart valve 72 
Center) Edwards Sapien 3 ™ bovine tissue heart valve 73 Right) Sorin Mitroflow™ aortic heart 
valve with Phospholipid Reduction Treatment 72.  
 

Unfortunately, TBVs are prone to tissue degradation and calcification (as seen in the 

native valve; Fig. 1.3.3.a) making them inappropriate for use in younger patients. 64. The latter 

process has commonly been associated with the cross-linking of tissue with glutaraldehyde to 

chemically and biomechanically stabilize the tissue and reduce antigenicity 74. It is thought the 

process of stabilization results in calcium ion influx making the leaflets susceptible to 

mineralization. However, recent studies suggest the fixing process may not completely render the 

tissue immunologically inert leaving behind residual antigens that elicit immune responses 

leading to mineral deposition 74. Calcification leads to leaflet thickening and stiffness, reduction 
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Figure 1.3.3a: Calcified porcine aortic valve 

 

in effective orifice area, increased pressure gradients, leaflet tearing, and in some cases 

hemolysis 75,76. Due to tissue degradation through normal wear and tear, and calcification, TBVs 

need to be replaced on average every 10-15 years, although the Edwards pericardial valve, 

determined to be the most durable TBV, has been known to last up to 20 years 6,77,78. Any 

repeated need for any HVRT increases perioperative risks including thromboembolism, stroke, 

transient ischemic attack, atrial fibrillation, bleeding complications, acute kidney injury, and 

even death 13,17,19. It is apparent that the continued risks to morbidity and mortality associated 

with both MHVs and TBVs point to a critical need to develop a heart valve which is both 

hemocompatible and highly durable to mitigate the need for complimentary drug therapies (e.g. 

anticoagulants) and/or subsequent replacements.  
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Figure 1.3.3b: (Top): Carbomedics mitral valve prosthesis exhibiting immobilizing thrombus 
coverage and (Bottom) St Jude trileaflet aortic valve prosthesis presenting with obstructive 
thrombosis. Arrows indicate thrombus regions 79 . Reprinted with permission. 
 

1.3.4 Polymeric Heart Valves 

To address the complications associated with current heart valve designs, polymer-based 

biomaterials have been widely investigated in hopes of producing leaflets which offer the 

durability of MHVs and the hemocompatibility of TBVs (Fig.1.3.4). Silicone, polyurethane, 

polyether urethane, polyhexamethylene, polytetrafluoroethylene, and linear low-density 

polyethylene, are some examples of synthetic polymers which have been utilized for the 

development of heart valve leaflets 27,41 . Polymeric materials have been widely used to generate 
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superior surfaces which exhibit passivating properties at the blood-biomaterial interface in 

various cardiovascular applications 27,41,43,80–83.  The durability of polymers and their ability to be 

modified through manufacturing and surface engineering allows them to be employed in low or 

high flow/pressure environments, space filling, wound healing, and cell delivery procedures, 

among others 54,84 . The potential benefits of PHVs include 6, 18,19,63 : 

• Enhanced longevity and durability similar or better than MHV 

• A thin, flexible, leaflet design which mitigates rigid leaflet lysis  

• Percutaneous deployment 

• The ability to be finely tuned through proprietary blending and surface modification to 

reduce or promote cellular adhesion 

• Improved hemodynamics due to a high profile and large effective orifice area 

• Greater biostability and resistance to calcification and oxidation 

• Low cost 

Advantages of PHVs are ultimately determined through the combination of the base material, 

method of fabrication, and modifications 63. Early PHV technology suffered from a vast number 

of issues due to the available polymers at the time which led to issues such as stiffness, tearing, 

 

Figure 1.3.4: Polymeric heart valve developed by Dasi group at Colorado State University 
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and calcification 63. Advances in polymer sciences leading  to improved durability of materials 

and enhanced surface properties has inspired a renewed interest in PHV development 27. Yet, 

while current PHVs have all the physical properties present to lend themselves to the fabrication 

of an ideal valve, like other biomaterials they tend towards thrombogenicity 6, 18. Unlike MHVs 

whose proclivity for thrombosis is dependent upon valve and flow profiles combined with a rigid 

leaflet, the affinity for thrombosis in PHVs is contingent upon the inherent surface properties of 

polymers such as hydrophobicity and charge 53. However, the nature of polymers makes them 

highly amenable to surface alterations which can decrease these proclivities.  

 

1.3.5 Surface Modifications Strategies for Heart Valve Leaflets 

To address the thrombogenicity of materials, one of the many methods that 

cardiovascular biomaterial research has sought to utilize is the modification of surfaces. Surface 

modifications alter key characteristics of the material exterior such as roughness, topography, 

charge, wettability, and free energy which affect biological interactions at the interface and 

determine hemocompatibility (See Fig. 1.3.5a) 85. Mechanical etching, diamond-like carbon thin 

films, plasma-enhanced chemical vapor deposition, and alkyl-siloxane monolayers on silicone 

rubber are just a few of the techniques being explored as passivating agents for hemostatic and 

inflammatory responses 82,86–88 .  One specialized area of research is to modify surfaces with 

biological components. The hope is to achieve material interfaces which mimic the 

microenvironments experienced by blood components or inhibit specific portions of the healing 

cascades to reduce hemostatic end-points. Examples of these include heparin eluting stents, 

phosphorylcholine coatings on extracorporeal circuits, albumin coated surfaces, gylococalyx 

inspired nitric oxide releasing surfaces, and hyaluronan enhanced surfaces 89,90,91.  



17 

 

             

Figure 1.3.5a: Surface properties of biomaterial affect protein adsorption, cell adhesion, and 
contact activation which intimately work together to determine hemocompatibility. 
 

Heart valve leaflet technology has taken advantage of surface modification technology to 

improve leaflet materials. Phospholipid-modified polystyrene–polyisobutylene–polystyrene 

(SIBS) triblock polymer for use in artificial heart valves reduce platelet adhesion 92. Diamond-

like carbon films and derivative modifications have been found to be chemically inert, hard, wear 

resistant, and biocompatible 86,93,94. Covalently bonded hirudin protein to PET and Dacron has 

been shown to reduce platelet adhesion and activation, reduce adverse fibrinogen conformation, 

and thrombus (See Fig. 1.3.5b) 95. Polyurethane valves with immobilized fibrinolytic enzyme, 

lumbrokinase was shown to reduce thrombus formation 96. These are just a few examples of the 

many approaches being taken in contemporary science to modify surfaces for superior 

performance in heart valve technology. In particular, hyaluronan (HA) enhanced surfaces are 

gaining interest for their thrombo-passivating properties. In this manuscript we investigate the 

hemocompatibility of a novel polymer for use in heart valve leaflet technology; linear low-
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proteins;cells
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Energy
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density polyethylene enhanced with hyaluronan (HA) to increase hemocompatibility. This is 

discussed in further detail below. 

 

 

Figure 1.3.5b: Hemocompatibility results of surface treated biomaterials for cardiovascular 
applications. Top) N2 and O2 Silicone incorporated diamond thin films exhibit less platelet 
adhesion and activation than nitinol and untreated silicone enhanced diamond thin films 94 

Bottom) Polymer valves treated with lumrokinase for total artificial hearts exhibit minimal 
thrombosis 96.   
 

1.4 Linear Low-Density Polyethylene  

Linear low-density polyethylene (LLDPE), is a polymer containing many straight, short 

branched chains with densities ranging from 0.915 to 0.935 g/𝑐𝑚3 97 (See Fig. 1.4). It is 

considered a medical grade plastic and is biologically stable 97,98. LLDPE is commonly made by 

copolymerizing ethylenes with long chain olefins. The length of the polyolefin chains impart 
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density with  higher degrees of branching corresponding to lower densities 98. LLDPE is part of 

the same family as ultra-low-density polyethylene, very low weight polyethylene, medium chain 

polyethylene, and high chain polyethylene 97. It is well known known for its high tensile and tear 

strength, puncture resistance, low bending stiffness, and low-shear stress sensitivity making it 

suitable for a wide range of cardiovascular applications including patches, grafts, and heart valve 

leaflets 41,99.Currently it is being explored as an alternative to mechanical and bioprosthetic heart 

valve leaflets 41. Investigations for use in heart valve leaflets reveal that it exhibits hemodynamic 

properties on par with current industry grade bioprosthetic heart valves 41. Because of its 

properties it is a good candidate for a heart valve leaflet material that will offer a flexible leaflet 

design to limit rigid leaflet lysis, be usable in percutaneous deployment, and be amenable to 

surface modifications to enhance its hemocompatibility.   

 

 

 

 

 

 

 

 

 

Figure 1.4: The length of polymer chains imparts specific material properties. Higher degrees of 
branching result in lower densities 97. 
1.5 Hyaluronan 

 

                LDPE 
Density=.195-.935g/𝒄𝒎𝟑 

                LLDPE 
Density=.90-.93g/𝒄𝒎𝟑 

                MDPE 
Density=.93-.94g/𝒄𝒎𝟑 

                HDPE 
Density=.94-.97g/𝒄𝒎𝟑 
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1.5.1 The Structure and Function of Hyaluronan 

Hyaluronan (HA) is a high molecular weight (HMW), hydrophilic, glycosaminoglycan 

found ubiquitously in higher order animals, especially in the extracellular matrix, viscera, 

synovial fluids, and apical surface of endothelial cells 100–103. Intracellular HA has been found to 

also exist in the cytoplasm, nucleus, and nucleolus 100,102,104,105. It is composed of repeating 

polymeric glucuronic acid and N-acetyl-glucosamine disaccharides conjugated by a glucuronidic 

β(1→3) bond and hexosaminidic β(1→4) bridges (See Fig 1.5.1) 103.  The polymer is secured 

through parallel hydrogen bonds running the length of the chain axis rendering an inflexible, 

helical  

 

architecture 106. Its tightly coiled structure allows it to mechanically trap up to one-hundred times 

its weight in water i.e. the majority of the water is not trapped through hydrogen bonding but is 

immobilized through the tight helical configuration  104,106. Because of its highly anionic nature, 

HA attracts positive ions that generate an osmotic imbalance causing water to be drawn in 

towards the molecule 102.  

 

\ 
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1.5.2 Hemocompatibility and Hyaluronan 

HA is nontoxic, biodegradable, and non-immunogenic 100,104. It is an essential component 

of the cardiovascular system beginning from its use in embryonic cardiac development, to 

assisting in wound healing cascades, tissue regeneration, repair, and angiogenesis, and is a key 

component of heart valve leaflets  101,102,106. HA chain length is pertinent to its interaction with 

biochemical and cellular components of the cardiovascular system (See Table 1.5.2). High 

molecular weight HA (HMW-HA) can reach up to 107 kDa in somatic tissues and range 

between 105 and 107 Da in the extracellular matrix 107. After injury hyaluronidases cleave 

HMW-HA (~4000 kDa) into low molecular weight HA (LMW-HA) fragments (~ 100-500 

kDA) thus exposing binding sites which have an affinity for proteins such as  fibrinogen and 

allows for migration and proliferation of endothelial cells through the stimulation of Toll-like 

receptors  102,103. LMW-HA  has been shown to better support endothelial growth, proliferation, 

migration, and normal morphology than HMW-HA, and to stimulate angiogenesis, however it is 

also implicated in exacerbation of immune response by producing pro-inflammatory mediators  

108–110. In contrast, HMW-HA inhibits platelet, macrophage, and smooth muscle cell adhesion, 

imparting anti-coagulant, anti-hyperplasia, and anti-immune effects. However, very high 

molecular weight HA also mitigates endothelial adhesion and migration, both crucial to 

supporting endothelialization of implanted biomaterial surfaces. Both HMW-HA and LMW-HA 

mitigate plasma protein adsorption as well as platelet adhesion and activation in 

hemocompatibility studies 99,108,111–113. The manipulation of chain length thus potentiates a wide 

range of cardiovascular biomaterial applications dependent upon the desired outcome.  
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Table 1.5.2: Effect of HA MW on Hemocompatibility.; Abbreviations are as follows: (1) 
branched polyethylenimine (PEI) incorporated into the PU backbone (2) polyurethane (3) 
titanium (4) co-polymerized polydopamine and hexamethylendiamine; References: Rammamurti  
et al. 114, Amarnath (platelets) 115, Chuang et al. 116, Ruiz et al. 111, Li et al.117, and Li et al.109. 
 

Reference Base 

Material 

Enhancement MW 

(kDa) 

Outcome on HA Surfaces 

 

 

 

 

114 

 

 

 

 

Hylans 

 

 

 

         UV 

scission * 

 

 

 

 

1500 

+ Irradiated HA gels showed 

significantly higher levels of cell 

attachment 

 

+Cells attached to unmodified hylan gels 

were rounded and non-proliferative 

 

+Cells attached to UV modified were 

either highly extended or irregular in 

shape. 

 

115 

 

Hylans 

 

          UV 

scission 

 

1500 

+HMW-HA and UV-HA showed 

significantly less platelet 

attachment/activation, PF-4, and 

coagulation as compared to control 

group 

 

 

 

 

 

 

 

 

 

 

 

 

+HA 4.7 and HA 64 supported the best 

cell adhesion 
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116 

PU-PEI 

films (1) 

 

Tethered HA 

4.7 

64 

104 

+HA 4.7 supported the best proliferation 

and morphology 

 

+HA 104 supported adhesion and 

spreading, but not proliferation 

 

 

111 

 

 

PU (2) 

 

 

PU-HA 

 

 

4.7 

9.7 

+LMW- HA, supported better EC 

growth than HMW-HA. 

 

+Protein adsorption (FBS) was 50-70% 

less on HMW-HA. 

 

+Platelet adhesion was less on HMW 

surfaces 

 

 

 

117 

 

 

 

Ti (3) 

 

 

Co-

immobilized 

collagen IV-

HA 

 

 

 

1000 

+Ti treated only with HMW-HA 

exhibited the least amount of cell 

adhesion 

 

+500 Collagen +Ti supported best cell 

adhesion, and morphology 

 

+HMW-HA exposed cells exhibited 

shrunken morpholology 
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1.5.3 Uses of Hyaluronan in Cardiovascular Applications 

Native HA presents with poor mechanical properties and must be modified for use in 

biomaterial applications 103. The two most common methods for modification include 1) auto-

crosslinking in acidic, neutral, or alkaline conditions producing non-covalent interactions which 

easily dissociate and can be used for example, in hydrogels needing to disintegrate in vivo 103,118  

and 2) photopolymerization, and chemical cross-liking through use of such methods as benzoyl 

cystein derivatives, glutaraldehyde, and xylenes to generate stronger bonds to base materials 

119,99,103,120,121. HA conjugates allow biomaterials to be combined with other constituents to 

further fine-tune effects. Some examples include HA-collagen, HA-chitosan, Collagen II-HA-

chondroitin 6 sulfate tri-copolymers, and superoxide-dismutase HA-conjugates  113,122,123,84.  The 

amount and method by which the surface is modified with HA has been found to be critical in 

developing an optimal biocompatible surface. Excess free HMW-HA attracts the enzyme 

hyaluronidase which cleaves HA to its low molecular weight state allowing it to interact with 

blood cells and biomolecules that stimulate thrombosis and inflammation 124. Current HA 

 

 

 

109 

 

 

 

PDA/HD 

(4) 

 

 

 

Immobilized 

HA coating 

 

4 

100 

500 

+Platelet attachment decreased as HA 

MW increased 

 

+100kDa HA supported best HUVEC 

attachment, proliferation 

 

+100kDa and 500kDa supported the 

least amount of macrophage 
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enhanced surfaces for cardiovascular applications are still in their developmental phase and the 

data for long-term durability of current HA enhanced surfaces are limited. Previous research has 

found significant losses of HA under enzymatic digestion and exposure to shear stress during in 

vitro and in vivo experimentation, concluding current applications may be ineffective for 

cardiovascular applications such as heart valve leaflets, stents, vascular patches, and vascular 

prosthesis 111,124. Thus, while current HA-enhanced blood contacting materials have shown 

promise for use in cardiovascular applications, it is essential to consider HA enhancements 

which are permanent and stable.  

 

1.6 Overview of Dissertation  

The relationship between hemocompatibility and surface properties on various implant 

surfaces is well documented 54,80,87,89,90,125–127. Upon initial contact of an implant with the blood, 

proteins readily attach to the surface forming a bioactive interface that mediates between the 

implant and the hemostatic response. Surface properties of biomaterials govern the adsorption of 

proteins and subsequent attachment of cells that can leading to implant rejection and thrombosis 

128–132. Controlling the interfacial adsorption of proteins and cells through manipulation of 

surface chemistry, surface charge, and/or wettability can attenuate the provocation of the 

immune response and coagulation cascades. One method that has gained popularity has been the 

addition of hyaluronan to various materials for the purpose of reducing thrombosis, 

inflammation, and to modulate endothelialization on implant surfaces 99,107,124,133–135.  

This dissertation focuses on the primary hypothesis that high molecular weight hyaluronan 

enhanced linear low-density polyethylene will present a hemocompatible surface to 

cardiovascular tissue components that will mitigate coagulation and inflammatory responses, 
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and limit endothelialization making it suitable for heart valve leaflet applications. To achieve 

the desired surface properties, a “sequential-interpenetrating network” of HMW-HA in linear 

low-density polyethylene (LLDPE) was fabricated by the James Lab at Colorado State 

University. Surface enhancement was achieved by cross-linking HMW-HA (~ 750 kDA) to itself 

within the molecular structure of LLDPE, creating a permanently integrated surface that is 

anionic, hydrophilic, and proposed to be hemocompatible. This dissertation will explore the 

underlying mechanisms by which the HA-LLDPE surface interacts with cardiovascular tissue 

components including blood constituents and endothelial cells. To understand the interaction 

blood components and cells experience at the biomaterial surface a review of the mechanisms 

involved in the healing process as modulated by biomaterial surfaces is necessary. 

 

1.6.1 Hemocompatibility Assessments 

Hemocompatibility of a biomaterial can be defined as the ability of a foreign material to 

modulate blood and immune reactions in a manner that facilitates advantageous healing 

responses and mitigates/negates adverse effects such as exacerbated inflammation, thrombosis 

and implant rejection. When determining the hemocompatibility of a material it is essential to 

take into the account the intended use of the material. For example, material compatibility with 

blood and its constituents can be vastly different depending on flow characteristics in the local 

environment, the state of the endothelium, and blood composition of the patient 53.  In addition, 

testing methods need to be cost-effective, reliable, and give some understanding of what can be 

expected once the material is implanted.  

Blood provides several functions including shuttling nutrients, removing waste, and 

initiating healing responses in the body. The latter consists of the coagulation and immune 
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cascades comprised of many proteins, enzymes, cell components, and signaling molecules that 

work intimately together. When determining the hemocompatibility of a material it is vital to 

ascertain these cascading events with respect to each other, the environment, and the material 

characteristics. Thus, there is much to be considered when assessing these complex and inter-

related events. However, there have been a number of evaluations developed that provide proven 

methods for ascertaining a general understanding of a material’s hemocompatibility. These vary 

based on the aim of the studies. Industry standards require a demonstration of a biomaterials 

conformity to ISO standards to assess thrombosis, hematology, and immunology 136. While basic 

science focuses primarily on the interaction of a material with the blood components and 

molecular modulation to determine why the observed reactions occur 53. As the aim of these 

hemocompatibility evaluations were to ascertain the feasibility of HA-LLDPE to be used in 

industry heart-valves a mix of basic science evaluations at the blood component and molecular 

level as well as ISO compatible evaluations were chosen. The following is a list of the test 

methods utilized in these assessments: 

 

Hemocompatibility 

• Lactate Dehydrogenase Assay: establishes if materials are inherently toxic to plasma cells 

• Whole Blood Clotting: imparts an understanding of how materials may affect whole 

blood clotting when all blood constituents are present 

• Platelet Adhesion/Activation: determines how platelets interact with material surfaces 

• Platelet-Factor 4 Expression: indicates the amount of platelet activation due to material 

surface exposure 

• Contact activation: ascertains the magnitude of contact activation due to materials 
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• Thrombin Anti-thrombin (TAT) Complex Formation: indicates the amount of thrombin 

formation due to platelet interactions and contact activation 

• Thrombin Generation: determines the speed of thrombin generation on surfaces 

• Hemolysis: determines the amount of erythrocyte cell lysis due to material properties and 

characteristics such as surface properties and leachables. 

 

Adaptive Immune Response Evaluations 

• Fibrinogen Binding: determines the amount of fibrinogen bound to the surface which 

affects non-specific immune response cascades 

• Leukocyte Adhesion: determines leukocytes interaction with the material surface 

• Complement Activation: evaluate the expression of terminal complex, SC5b-9. 

The following sections will review the fundamentals of the coagulation and immune response 

cascades and offer a detailed understanding of the importance and applicability of the above-

mentioned investigations.  

 

1.6.2 Coagulation and Immune Responses at the Blood-Biomaterial Interface 

Key to a blood-contacting implants’ success are the interactions which occur at the 

blood-biomaterial interface. Hemostasis, inflammation, and endothelialization resulting from 

blood contact with biomaterials involve a sophisticated interplay of vascular tissue components 

and enzymatic reactions which must ultimately reach homeostasis for proper implant tolerance 

128,130,137–140. The enlistment of vascular bulk phase constituents including plasma protein 

binding, platelet/leukocyte recruitment, and initiation of the contact and complement systems all 

determine the degree to which these reactions are propagated 141. Under normal physiological 
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conditions, blood remains in contact with the endothelial layer of  the cardiovascular system 

which contains anticoagulant tissue factors, inhibitors, and receptors that suppress the protective 

functions of blood until an injury occurs 41,141. In addition, blood factors essential to the 

coagulation cascade circulate as inactive zymogens until stimulated by injury (See Table 1.6.2a). 

Upon tissue injury or implantation of a medical device, platelet-mediated responses and plasma-

phase pathways initiate the clotting cascade (Fig. 1.6.2b). Both are dependent upon the surface  

 

Table 1.6.2a: Hemostatic Factors of the Coagulation Schema 142 

 

characteristics of the biomaterial, and the regional flow characteristics at the site of implantation 

130,131,143. Plasma related thrombosis is facilitated by two branches, the extrinsic and intrinsic 
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(contact) pathways. These are a series of zymogen to enzyme conversions producing enzymes 

that catalyze subsequent events in the cascade eventually leading to the production of thrombin 

53. Vascular tissue damage initiated by acute injury at the site of implantation primarily activates 

the extrinsic pathway, while blood contact with biomaterial surfaces is generally responsible for 

the commencement of intrinsic related thrombosis. These two pathways merge into the common 

pathway which generates thrombin and fibrin 144. Fibrin oligomerizes resulting in a fibrin matrix 

that traps and activates platelets. Thrombin is a potent activator of platelets 53. In order for blood 

coagulation on biomaterials to occur both contact activation and platelet adhesion and activation 

must be present 129,145. In addition, blood exposure to biomaterial surfaces distributes proteins 

across surfaces which can activate platelets. Platelet activation then serves to interact with 

plasma phase while recruiting inflammatory modulators. Leukocytes and platelets reinforce each 

other driving inflammation, removing pathogens, and forming hemostatic clots. In the following 

sections, a brief review of the major events in the coagulation and immune response cascades 

pertinent in biomaterial evaluations will be offered to lay the foundation for the 

hemocompatibility assessments of investigative substrates to follow.   

 

1.6.3 Biomaterials Activate the Intrinsic Pathway  

Contact between blood and biomaterial surfaces initiates the intrinsic pathway of the 

coagulation system (aptly referred to as the contact activation pathway). FXII ( Hageman 

Factor), the main constituent in contact activation, is a glycoprotein which circulates in the blood 

as an inactivate zymogen until stimulated 130. For biomaterial interactions, standard clinical 

paradigm asserts that intrinsic pathway activation can be initiated by the binding of at least one 
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Figure 1.6.2b: Platelet and intrinsic pathway activation of the coagulation cascade 

 

of three zymogens to the material surface which may or may not be converted to active enzymes; 

Factor XII, which undergoes auto-activation (FXII -> FXIIa) upon contact with the surface 

triggering the cascade; prekallikrein, which interacts with FXIIa, initiating a cascade amplifying 

positive feedback loop; and high molecular weight kininogen, which operates as a cofactor for 

the activation of both prekallikrein and Factor XII 130,146–148. The result is the production of the 

serine protease FIIa (thrombin) which hydrolyzes fibrin. Subsequent fibrin oligomerization 

renders a matrix which causes plasma to gel thus forming the hemostatic clot. Thus, a 

pathological thrombus due to blood-biomaterial contact is formed. Contact activation is usually 

measured by two methods 1) procoagulant activity using plasma clotting assays comparing 

clotting time against a standard curve of known activators or 2) amidolytic assays which measure 

the proteolytic cleavage of chromogen by contact activation enzymes 53. Pre-kallikrein is the 
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only one released into the plasma and can be most accurately quantified to determine the 

magnitude of thrombosis dependent on contact activation for purposes of evaluating 

hemocompatibility 149.  

 

 

Figure 1.6.3: The intrinsic pathway is activated by the binding of contact proteins that can 
reinforce each other to progress the clotting cascade. 
 

It has been traditionally accepted that contact activation is specific to negatively charged 

surfaces 53. Multiple domains on the FXII protein chain are implicated in the binding of FXII to 

negatively charges surfaces; most specifically fibronectin type I, fibronectin type II, and kringle 

domains 150. It is thought that anionic surfaces induce conformational changes on FXII domains 

facilitating proteolytic activation 151.  Studies utilizing platelet poor plasma to mollify cellular 

effects in coagulation demonstrate that contact activated coagulation increases exponentially 

with increasing surface energy 152. In addition, natural activating substances which present with 
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negatively charged characteristics such as activated platelets, microparticles shed from platelets 

and erythrocytes, collagen, and misfolded proteins have been identified as activators of the 

contact system  53,153.  However, recent investigations have revealed that contact activation may 

not be specific to anionic surfaces as previously assumed 130,131,148. Findings suggest, pro-

coagulant surfaces may modulate activation of the contact schema through protein competition 

rather than the formulation of the protein complexes described above. This supports previous 

investigations which identified that FXII is not preferentially adsorbed onto activating surfaces, 

but instead become active through protein competition dependent upon the surface features 

present 130. Thus, surfaces which promote plasma protein adhesion, especially contact 

stimulating proteins, may be more likely to enhance intrinsic pathway activation. These 

contradictory sets of findings illustrate that the exact mechanisms by which biomaterials can 

activate the contact pathway are still unknown. 

 

1.6.4 Protein Adsorption Determines Future Events of Healing Responses 

Initial events after implantation of a blood-contacting device begin with competitive 

adsorption of proteins at the material surface known as the Vromen effect 154,155,156. The 

architecture of this bio-layer helps determine the long-term success of the implant and is 

governed by the surface properties exposed to the native physiology.  The interplay between 

surface charge, wettability, free energy, roughness, topography, and chemistry determine the 

amount and type of proteins adsorbed to the surface, as well as their conformation, density, and 

orientation 157. Over three-hundred distinct proteins exist in plasma 158. Of these, three proteins 

dominate and regulate the healing response; albumin, immunoglobulin-G (IgG), and fibrinogen. 

In addition, proteins implicated in the contact and compliment pathways assist in plasma 
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coagulation at the surface 130,159. Surface competition changes the architecture of the bio-film 

overtime determining future protein and cell fates at the interface 155. Initial protein adsorption is 

dominated by albumin and IgG. Neither play major roles in the activation of the coagulation or 

immune response cascades, but rather act as carriers of anticoagulant factors and subdue acute 

inflammation after initial contact with the surface of the implant 160. Overtime, albumin and IgG 

tend to be replaced by other proteins such as fibrinogen and von Willebrand factor which 

encourage platelet mediated responses 161. 

 

1.6.5 Fibrinogen Adsorption Facilitates Coagulation Responses 

Fibrinogen (FI) adsorption plays a major role in the healing response. FI promotes the 

adhesion and aggregation of platelets, binds to the integrins of immune cells, facilitates the 

formation of hemostatic clots, and plays intimate roles in the contact and compliment 

coagulation cascades 108,162. After adsorption on an implant surface, denaturation and 

dehydration of fibrinogen promotes strong adherence to the surface thereby increasing the 

surface area to which platelets and leukocytes can bind (See Fig.1.6.5)  Previous studies have 

shown a strong correlation between the rate and amount of fibrinogen denaturation and the 

severity of inflammation and platelet adhesion 139,140,163,164.   
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Figure 1.6.5: Dehydration and denaturation of the protein fibrinogen generates a larger surface 
area on biomaterials for protein and blood cells to adhere to. 
 

Previous studies have noted that conformation changes in fibrinogen may be more 

important to the subsequent adhesion of plasma cells than total amount of bound fibrinogen 

139,140.  Platelet aggregation triggers conformational transmutation of their glycoprotein GIIIb/IIa 

surface receptors, encouraging platelet adhesion and coupling to fibrinogen adsorbed surfaces. 

Fibrinogen subsequently cross-links platelets forming bridges between the GIIIb/GIIa of adjacent 

platelets 164. As fibrinogen-platelet aggregates stabilize, platelets secrete their internal storage 

contents consisting of effector molecules in a process known as degranulation. These exocytotic 

factors determine future events in subsequent healing cascades including magnitude of 

coagulation and inflammatory responses. Once platelets bind to a surface they are more likely to 

be activated through intrinsic and extrinsic pathways of the coagulation cascade. Fibrinogen is 

then cleaved by the protease thrombin (FII) promoting polymerization followed by the formation 

of an insoluble fibrin matrix integral to the development of the hemostatic clot. Long strands of 

fibrin formulate an adhesive net which radiates from the platelets further entrapping those in the 

immediate surrounding environment. In addition, these insoluble fibrin netting controls the 

delivery of growth factors essential in the wound healing process 165.  
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While this process is designed to promote healing, incompatible interface interactions at 

biomaterial surfaces can exacerbate fibrinogen adsorption, thereby recruiting excessive amounts 

of platelets leading to increased inflammation and a risk of thrombosis 139,140. Assays which 

determine the amount of fibrinogen bound to the material surface can indicate the proclivity of a 

surface’s thrombogenicity. 

 

1.6.6 Platelet and Leukocyte Adhesion/Activation Play Reinforcing Roles 

The bioactive protein layer on a material surface provides the foundation for 

coagulation/immune responses to take place however, it is the binding and activation of cells to 

this film that are the key events in their stimulation.  Platelet-mediated regimes are essential to 

the hemostatic process, assisting in the formation of the fibrin clot. Adsorbed proteins are 

recognized by platelet and leukocyte receptors allowing them to interact and spread across the 

biomaterial surface. Upon activation, platelets manifest a series of routine modifications that 

include morphological transmutation, membrane budding, adhesion, aggregation, and 

degranulation 166–168. To accomplish this, platelets must first be activated either through the 

binding of plasma proteins or by the molecular production and self-release of activating factors.  

Various effector molecules which modulate the coagulation cascade are emancipated by platelet 

bodies containing special secretory organelles known as alpha and dense granules 169. Alpha 

granules contain polypeptides that bind to thrombin stimulated platelets 85, hemostatic factors 170, 

growth factors which promote wound healing and angiogenesis 171,172, heparin binding molecules 

173, adhesion molecules which are transferred to the membrane after synthesis assisting in 

leukocyte and platelet recruitment 174,175, and protease inhibitors that augment thrombin 
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production 176. Dense granules contain platelet recruitment factors such as adenosine diphosphate 

(ADP), adenosine triphosphate (ATP), serotonin and calcium 169 .  

Exocytotic movement of storage granules constituents during platelet body transmutation 

is dependent upon the level of platelet activation. During activation, platelets undergo 

cytoskeletal dependent membranous shape changes. This commences with the disassembly of the 

microtubule ring followed by actin polymerization to form dendritic extensions that release 

chemo-attractants and summon additional platelets to form aggregates and commence production 

of the platelet plug 166. Five morphological groups of dendritic expressions on implant surfaces 

have been identified and correspond with increasing levels of activation: round (un-activated): 

disc shaped with no pseudopodia present; dendritic (partially activated): early pseudopodia i.e. 

short reversible dendritic extensions; spread-dendritic (moderately activated): irreversible long-

dendritic extensions with some spreading, some pseudopodial flattening; spreading (fully 

activated): pseudopodia almost fully flattened, some hyaloplasmic spreading; and fully spread 

(fully activated): no pseudopodia present, full hyaloplasmic spreading (See Fig. 1.6.6) 166,168. 

 

 

Figure 1.6.6: Stages of morphological change correspond to increasing levels of platelet 
activation 166.  
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1.6.7 Resultant Thrombin from the Coagulation Cascade Must Be Measured Indirectly 

Once platelets and leukocytes trigger the coagulation system, the protease thrombin 

(fibrinogenase) cleaves the protein fibrin causing it to polymerize and produce the fibrin clot. 

During this process, a sequence of biochemical markers is produced which can be measured to 

determine the extent to which these clotting factors are generated. These include pro-thrombin, 

which determines the amount of thrombin being generated; and the thrombin-antithrombin-

complex (TAT), which determines the amount of thrombin that was inhibited 177,178. Although 

thrombin bound to fibrin is preserved from the inhibition of antithrombin III, and thus omitted 

from TAT complex integration, it still provides a highly sensitive marker for the activation of 

coagulation schema. Ideally, testing specifically for the protease would lead to the most accuracy 

in determining thrombin formation. However, thrombin is rapidly bound and inactivated by 

antithrombin during the regulatory process. Thus, thrombin can only be measured indirectly 

through quantification of the cleavage products produced by prothrombin or through the 

measurements of the TAT complex 179. 

 

1.7 Immune Response on Blood-Contacting Surfaces 

1.7.1 The Immune Response is Intimately Connected to the Coagulation Cascade 

The capacity to mitigate adverse immune responses to biomaterial surfaces is essential 

for determining favorable outcomes of implantable biomedical devices. All biomaterials initiate 

an immune response immediately following activation of the coagulation cascades when 

implanted into native tissue, marking the first steps in tissue repair 129. Contemporary implant 

design is currently seeking to achieve biomaterial surfaces which use the immune response to 

improve implant patency while mitigating any aggravating effects 129,180. Adverse perpetuation of 
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the immune response can lead to implant rejection, and/or fibrosis of the implant, chronic 

inflammatory responses, and foreign body giant cells 137,167,181,182. Biomaterial surfaces play key 

roles in the modulation of the immune response in the first two to six weeks after implantation, 

although risk of foreign body reaction is present for the life of the implant while it remains 

present in the host 183. Thus, it is essential to develop biomaterials which modulate the immune 

response in an appropriate way to support proper functioning of medical implants. 

The coagulation and immune responses are intimately connected and co-trigger 

complementary responses in the healing cascades. Upon platelet activation, conformational 

changes in the membrane lead to the exposure of high affinity binding sites for fibrinogen which 

further assists in platelet aggregation and the formation of platelet-leukocyte complexes 137,184. In 

addition, conformational changes in fibrinogen expose integrin sites capable of activating 

phagocytes. Some evidence has suggested that phagocytes sense fibrinogen as fibrin when in 

contact with biomaterials which can lead to aggravation of the inflammatory response 52,129.    

 

1.7.2 Biomaterials Active Leukocytes 

Blood leukocytes consist of neutrophils and monocytes that differentiate into phagocytes 

and macrophages. However, when in contact with a biomaterial, size disparity between the 

surface of the material and the leukocyte means that the material is unable be engulfed by the 

cell. Instead phagocytes can only release their metabolites and enzymes in an attempt to degrade 

the biomaterial surface in a process known as frustrated phagocytosis (Fig. 1.7.2) 137,185–187. 

Under normal conditions, the half-life of these leukocytes is very short (6-8hrs), but upon tissue 

injury it can be increased by several days 137. During activation, alterations in membrane receptor 

affinities occur and inflammatory mediators are released which act as chemo-attractants and 
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activators for other leukocytes, increasing cell adhesion to surfaces, and activating platelets 137. 

Because foreign surfaces specifically activate platelets and leukocytes, it is important to 

understand how they interact with biomaterial surfaces as greater adhesion and activation can 

lead to adverse physiological responses. Evidence has suggested that biomaterials which mimic 

the extracellular matrix may better modulate the immune response by enhancing or suppressing 

the normal cell functions dependent upon the biomaterial design. HA is a key component of the 

ECM and thus HA-LLDPE may serve as an appropriate biomaterial surfaces for the modulation 

of the immune response in prosthetic heart valve leaflets and other cardiovascular medical 

devices.    

 

Figure 1.7.2: Frustrated phagocytosis of leukocytes unable to engulf biomaterial due to size 
disparity. 
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1.7.3 Complement Activation 

Hemocompatibility of biomaterials is predominantly studied in terms of platelet and 

leukocyte aggregation and activation, although biomaterials are also known agonists of the 

complement system 159. The complement system is part of the immune response and utilizes both 

platelet and leukocyte activation to initiate cascades. Complement activation promotes 

inflammation and assists antibodies and phagocytic cells in the removal of antigens by attacking 

the cell membrane. The complement system consists of over 30 proteins and protein fragments 

which include cell membrane receptors and blood serum proteins. Protein interactions opsonize 

antigens and pathogens and induce a series of inflammatory responses to aid in the healing 

response 132. 

When in contact with a biomaterial, complement activation is triggered by the alternative 

pathway with the proteins C3 and C5 being its most critical components. However, some 

research has indicated that the classical pathway of complement activation may also be involved 

159,147. Three biochemical pathways are implicated in the complement system: the classical 

complement pathway, the alternative pathway, and the lectin pathway. The classical pathway is 

triggered by antigen-antibody immune complexes (specified immune response) 188,189. The lectin 

pathway can be activated by C3 hydrolysis or antigens absent the presence the antibodies (non-

specific immune response). Lectin pathway activation uses mannose-binding lectins and lectin 

ficolins found in plasma which recognize carbohydrate patterning found on microorganisms 190. 

Unlike the classical and lectin pathways which are activated primarily through the identification 

of exogenous microorganisms, alternative pathway activation can occur via spontaneous C3 

hydrolysis, foreign bodies, biomaterials, pathogens, or damaged cells 188,189. 
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Alternative pathway activation is unique. At normal levels of non-distress the alternative 

pathway remains operative at low levels to ensure efficient and rapid actuation known as the 

“tick-over mechanism” 191,192.  Each complement cascade shares the eventual cleavage and 

activation of the protein C3, creating C3a and C3b.  Alternative pathway C3b is later complexed 

to protease which cleaves protein C5, shared by the classical pathway. C5a is an important 

chemotactic protein, helping to recruit inflammatory cells 188,189.  

 

 

 

Figure 1.7.3: The biochemical pathways of the complement system 132 
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1.8 Cytotoxicity of Biomaterials   

1.8.1 Lactate Dehydrogenase Assays Determine Cell Death by Biomaterial Surfaces 

Mammalian lactate dehydrogenase (LDH) is a tetrameric enzyme found in human and 

animal tissues. LDH converts pyruvate to lactate using NADH and NAD+, thus representing the 

anaerobic metabolism of glucose 193.  All tissues contain at least one of five LDH isozymes 

however, muscle, liver, and hematocytes are the dominant sources of serum LDH activity. LDH2 

is the primary isozyme found in serum and has long been used as a clinical marker for both in 

vitro and in vivo hemolysis resulting from disease or toxic substances 47,193.  LDH concentrations 

rise significantly after organ infarction and elevated cell death exemplified in cases of hepatitis, 

shock, hypoxia, extreme hypothermia, and meningitis 194. Consequently, LDH can be used as a 

marker to determine cell viability after prolonged contact with a biomaterial. Cellular exposure 

to cytotoxic materials induces cytoplasmic and organelle swelling resulting in cellular necrosis. 

Organelle dissolution and rupture of the plasma membrane correspond to rises is cytosolic LDH. 

Loss of membrane integrity allows intercellular contents to spill into the extracellular milieu 

allowing for in vitro assessment of liberated LDH 47,195,196. Cytotoxicity of a material can thus be 

determined by inferring the magnitude of cell death through quantification of freed LDH. 

 

Fig 1.8.1: Biomaterial induced necrosis due to toxic effects imparts internal organelle swelling, 
membrane disintegration, and cell death 197. 
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1.8.2 Hemolysis Must Be Quantified for Medical Device Approval 

In order for a blood-contacting material to be approved for a medical device, hemolytic 

activity i.e. the magnitude of the membranous breakdown of red-blood cells due to toxic material 

effects must be assessed. Hemolysis can occur due to a number of factors including chemicals or 

toxins present within the material, shear forces, leachables, or inherent properties of the material 

itself such as surface charge 182. Common hemolytic assays determine the amount of hemoglobin 

release in whole blood plasma or erythrocytes after exposure to biomaterial surfaces for a 

prescribed time period. 

 

1.9 Endothelial Cell Assessments 

1.9.1 Endothelial Cells Function to Maintain Optimal Hemocompatibility 

The vasculature of the cardiovascular system is formulated by three layers composed of 

endothelial cells (EC; tunica intima), smooth muscle cells (tunica media), and fibroblasts (tunica 

adventitia). The tunica intima is a semi-permeable membrane composed of a mono-layer of EC 

which actively maintains blood flow throughout the cardiovascular system. Endothelium lines  

 

Figure 1.9.1: Layers of the aortic valve leaflet 
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the walls of the vasculature (arteries, veins, and microvessels), and the surface of heart valve 

leaflets. Heart valve leaflets have their own unique composition consisting of the  endothelial 

layer, the fibrosa (composed mainly of interstitial cells), the spongiosa (mainly comprised of 

proteoglycans), and the ventricularis (composed mainly of elastin, Fig.1.9.1) 198. While EC 

possess features which are specific to their locational milieu, all EC function to maintain optimal 

hemocompatibility, regulate underlying tissues and cells, and assist in the removal of unwanted 

agents from the blood 199,200. In addition, all EC are effected by shear stress, and are implicated in 

the development of cardiovascular pathologies 199,201.   The expression and secretion of 

regulatory molecules are found in both the healthy and pathogenic states of the endothelium and 

govern tone, permeability, inflammation, fibrinolysis, and thrombosis, and calcification 141,201. 

EC plays a dynamic role in regulating hemostatic events and tightly regulates the coagulation 

response. Uninjured endothelial cells express anti-thrombotic factors ( Ex: anti-thrombin, 

thrombomodulin, TFP1, heparin co-factors, C1 inhibitors, and protein C pathways, NO) to 

prevent unwarranted clot formation 201. Once tissue damage is incurred, the EC layer becomes an 

active component in facilitating the wound healing process.  

 

1.9.2 Endothelial Assessment on Different Surfaces 

Just as hemocompatibility testing must ensure applicability to the desired application so 

must investigations which assess the ability of a material to promote or deter endothelialization. 

In this work it is hypothesized that endothelial attachment will be mitigated due to the HMW and 

hydrophilicity of HA-LLDPE. In order to ascertain the impact of HA-LLDPE on endothelial 

cells the following methods were employed: 

• Lactate Dehydrogenase Assay: determines any potential toxicity to endothelial cells 
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• Fluorescent Staining (Actin/Dapi): to visualize amount of endothelial attachment to the 

surface 

• SEM imaging: to assess morphology 

• Alamarblue: to determine viability of cells attached to substrate surfaces 

• CD31 Staining: to establish phenotype of adhered cells 

• VEGF Staining: to ascertain potential for cellular proliferation 

 

LDH assaying was chosen to ensure that any mitigation of cellular adhesion was not due to 

cytotoxic effects of substrates on endothelial cells. Next it was important to assess if cellular 

adhesion was affected by the treatment group and thus staining and SEM imaging were applied. 

This was followed by viability investigations and endogenous protein evaluations to determine if 

any cells which did adhere to surfaces were healthy, expressed the endothelial phenotype, and 

were able to proliferate. These last studies are particularly important as partial endothelialization 

of heart valve leaflets can lead to immune response and thrombus 77,202.  

 

1.9.2 Endothelialization is a Key Objective in Cardiovascular Biomaterial Engineering 

Exposure to the endothelial layer is the native state for blood and represents the “gold 

standard” that cardiovascular biomaterial research seeks to achieve in vivo 203. This has made 

investigations into surface modifications for endothelializing biomaterials surfaces a popular 

subject. Endothelialization of biomaterial surfaces function under the assumption that EC 

interfaces will express a non-thrombogenic  phenotype 141. The majority of challenges 

concerning negative inflammatory and thrombotic responses of EC surfaces are often based in a 

biomaterial’s inability to provide an optimal environment which supports a confluent, mature, 
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quiescent, and non-thrombotic EC state 203,204. These often stem from a lack of bio-recognition 

and/or specific interaction at the cell-biomaterial interface 205. Furthermore, mechanical 

properties (Ex: elasticity, hardness, density), bulk/surface properties (Ex: wettability, roughness, 

topography, porosity, softness, chemical composition), or design (Ex: diameter, hinge inclusion, 

thickness) 126,204,206–214 of the implant can promote or deter healthy endothelialization. Cells sense 

cues from their environments and convert them into chemical stimuli which regulate their 

phenotype and function. Lack of biocompatibility between EC and biomaterial surfaces can lead 

to EC activation, ablation, and, phenotypic change which can result in platelet and leukocyte 

activation and thrombosis 204. A large portion of cardiovascular biomaterials research is spent 

developing material interfaces which mimic or otherwise deliver an environment which is 

suitable to endothelial growth. Examples of this include pre-seeding an implant with endothelial 

cells to “mask” the implant from the native physiology 215–217 and/or facilitating EC growth post-

implantation. Both measures require EC exposure to the biomaterial interface.  

 

 

Figure 1.9.2: Quiescent endothelium is required to achieve hemocompatible surfaces. 
Reproduced with permission © Elsevier Ltd. 
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1.9.3 Permanent Endothelialization of Biomaterials Has Proven Quite Complex 

While endothelialization of cardiovascular biomaterials has been widely investigated, the 

process has proven quite complex. Factors which must be considered when seeking to promote 

endothelialization on biomaterial surfaces include; 1) the ability of the material to promote 

angiogenesis and vasculongenesis to ensure nutrient supply to the local area 2) the ability to 

achieve a mono-layer of mature, quiescent EC that are non-thrombotic 3)  the effect of local 

hemodynamics on EC phenotype, leukocyte attachment, and trans-endothelial migration 

(turbulent flow increases endothelial permeability to leukocytes) 4) The prevention of EC 

ablation (denuding) due to sheer stress to prevent blood from exposure to the biomaterial 

surfaces 5) The creation of a material that supports biochemical cues to preserve EC phenotype 

and function 6) The effect of the material’s composition and surface properties on the target EC 

behavior and angiogenic potential  7) EC source (Ex: small diameter vs large diameter vessels vs 

valvular phenotypes) behaviors on angiogenic potential, molecular permeability, leukocyte 

transmigration, hemostasis, vascular tone, humidification, thermoregulation, and immune 

tolerance 8) The potential need for co-culturing of different cell lines to support EC adhesion, 

proliferation etc. 9) The time and cost needed to endothelialize the surface 43,200,204,218. These 

examples are not inclusive of all the considerations necessary to attend to but represent the level 

of difficulty characteristic of endothelializing biomaterial surfaces.   

In general, endothelialization of implants is considered beneficial as it potentiates a 

native surface for blood exposure, protects implants from mechanical degradation, and supports 

bio-functionality 219.  However, while endothelialized surfaces are considered optimal, a 

permanent solution to endothelialization of biomaterials has proven difficult 43,220. In addition, 

endothelializing biomaterial surfaces requires extracorporeal culture which is time consuming 
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and negates its use in emergency surgeries 141. Thus, an alternative may be essential. Developing 

a surface that is hemocompatible without endothelialization may offer another choice to the 

current drawbacks which have been experienced in attempting to endothelialize biomaterial 

surfaces.  

 

1.9.4 Hyaluronan and Endothelialization 

Hyaluronan (HA) enhanced cardiovascular biomaterials have gained popularity for their 

potential to promote endothelialization, mitigate blood cell and protein adhesion, and reduce 

adverse inflammation 103,106,112,113,221–223. HA is a highly hemocompatible polysaccharide whose 

chain lengths are easily manipulated, allowing for biomaterial surfaces to become finely tuned to 

impart bio-modulating properties. This alone broadens its potential for use in a wide variety of 

cardiovascular biomaterial applications such as vascular grafts, stents, heart valve leaflets, 

vascular patches, and other implants 224–229. HMW-HA has been found to reduce endothelial cell 

attachment and the potential for angiogenesis, while low molecular weight HA has been found to 

be more amenable to endothelialization (See Table 1.5.2). Depending upon the target goal for 

biomaterial use, modifying chain length can facilitate the functional aims of an implant. In this 

thesis we explore the hypothesis that HMW-HA will mitigate endothelialization on HA-LLDPE 

surfaces. Permanent endothelialization of heart valve leaflets would be ideal but has proven 

difficult. While these applications have been somewhat successful in a laboratory environment 

they have not proved to be translational to the market 230.  Thus, limiting endothelialization while 

providing a hemocompatible and highly durable interface may offer an alternative to 

endothelialized surfaces.   
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Fig. 1.9.4. Confocal microscopy illustrating endothelial cell growth (green) on hyaluronan 
enhanced benzyl ester scaffolds at up to 20 days of cell growth. All images are ×10 
magnification, scale bar =200 μm. Reproduced with permission © Elsevier Ltd. 
 

1.10 Conclusions 

Heart valve replacement therapy (HVRT) has become a crucial method of treatment to 

enhance survival and improve the quality of life of the patients with valvular diseases. Heart 

valves are broadly placed into two categories: mechanical heart valves and tissue-based valves.  

Despite the overall success with MHVs and TBVs they are still plagued with durability and/or 

hemocompatibility issues which often result in the need for subsequent replacement and/or life-

long anticoagulation therapy. Thus, there is a significant interest in developing HV leaflets that 

can address these issues.  Polymeric based materials have been proposed for use HV leaflets due 

to their ability to be finely tuned through manufacturing and surface modification to enhance 

durability, and hemocompatibility.  

Due to their high durability, flexible nature, and tunable surface properties, 

polyethylenes have been highly sought after for their potential to be used as prosthetic heart 

valve leaflets. Nevertheless, in defiance of these multiple structural and facial benefits, 

polyethylene-based cusps have remained susceptible to host response actuation and thrombosis 

as a result of their innate hydrophobicity which attracts blood proteins, platelets, and leukocytes. 
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To address this, a novel material for use as prosthetic heart valve leaflet was by forming 

an interpenetrating polymer network of high molecular weight HA in LLDPE. By enhancing 

LLDPE with a naturally occurring, hydrophilic, polysaccharide present within human tissues, 

we hope to mitigate foreign body effects and enhance hemocompatibility.  

It is essential to develop exceptional hemocompatible biomaterials to ensure that adverse 

thrombosis and immune response are mitigated to reduce device related consequences. To create 

an ideal implant surface which reduces inflammation, thrombosis, and promotes proper 

integration with the native physiology it is essential to understand the mechanisms by which 

blood and vascular tissue components interact with the material surfaces of implants. The 

purpose of this research is to introduce and investigate the effects of a novel material, 

hyaluronan enhanced linear low-density polyethylene, as a potential interface for cardiovascular 

applications. Because of its superior biocompatibility, chain size malleability, and ease of 

conjugation with other polymers, HA has gained popularity for use in cardiovascular 

biomaterials. Studies investigating immobilized HA coatings, multifunctional surface HA 

coatings, HA based hydrogel-antibody amalgamates, and HA scaffolds for cardiovascular 

applications have pointed to its ability to reduce plasma protein binding, platelet/leukocyte 

adhesion and activation, and facilitate tissue restoration 124,133,221. Recently, the addition of HA 

to polymer bases have produced promising results that may assist in achieving surfaces for use 

in heart valves and other cardiovascular applications that are highly durable and mitigate the 

coagulation and immune responses 41,99. The aim of this study was to evaluate the 

hemocompatibility of the HA-LLDPE surface and compare it to that of the untreated LLDPE 

surface by assessing cytotoxicity, blood protein adhesion, cellular adhesion and activation, 
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whole blood clotting kinetics, and specific biochemical markers involved in the coagulation and 

immune responses.  
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CHAPTER 2 
 
 
 

CHARACTERIZATION AND HEMOCOMPATIBILITY OF  

SEQUENTIAL INTERPENETRATING POLYMER NETWORKS OF  

HYALURONAN AND LINEAR LOW-DENSITY POLYETHYLENE 

 FOR HEART VALVE LEAFLET APPLICATIONS 

 
 
 

2.1 Introduction  

2.1.1 Current Heart Valve Designs Require Improvement to Meet Patient Needs  

For the most severe cases of valvular disease, heart valve replacement therapy (HVRT) 

has become a crucial method of treatment to enhance survival and improve the quality of life of 

patients. However, despite the overall success of these surgical procedures, even the most 

advanced heart valves (HV) on the market are plagued with such issues as durability, hemolysis, 

pannus growth, and/or calcification resulting in the need for subsequent replacement and/or life-

long anticoagulation therapy 1-3. HVs are broadly placed into two categories: mechanical heart 

valves (MHV) and tissue-based valves (TBV).  MHVs made with synthetic leaflets have been 

used since the 1970’s and have proven to be highly durable, usually lasting the life of the patient, 

but are also exceedingly thrombotic. While the leaflets in MHVs are now made of materials such 

as pyrolytic carbon that are resistant to thrombosis, the rigid leaflet design can result in hematocyte 

lysis, as well as localized regions of turbulent flow, and stasis facilitating thrombus formation (See 

Fig. 2.1.1) 1, 3-6.  

As an alternative, TBVs are composed of bovine or equine pericardium or porcine aortic 

valve leaflets offering a thin, flexible, leaflet design similar to the native valve which is vastly 
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more hemocompatible than MHVs. As a result, patients may be able to reduce or eliminate the 

need for anticoagulation therapy after the first few months following surgery 13. Unfortunately, 

TBVs are prone to tissue degradation and mineralization (as seen in the native valve). 

Consequently, TBV need to be replaced approximately every 10-15 years 6. Due to the risks to 

morbidity and mortality associated with both MHVs and TBVs point to a critical need to develop 

a heart valve leaflet which is both biocompatible and highly durable.   

 

 

Figure 2.1.1: Red blood cell lysis and platelet activation due to sheer stress can occur as blood 
flows across mechanical heart valve leaflets. 
 

2.1.2 Polymer Valves Offer the Durability of MHVs and the Hemocompatibility of TBVs 

To this end, a vast amount of exploration has been done in the field of polymeric heart 

valve (PHV) leaflet development6.  Advantages of PHVs are ultimately determined through the 

combination of the base material (polyurethane, PTFE, silicone, etc.) and method of fabrication. 

Although PHVs have all the physical properties present to lend themselves to the fabrication an 

ideal valve, they remain highly thrombotic similar to MHVs 6, 18. Unlike MHVs whose proclivity 

for thrombosis is dependent upon valve profile and a rigid leaflet, the affinity for thrombosis in 
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PHVs is dependent on the inherent mechanical and surface properties such as bending stiffness, 

hardness, wettability, roughness, and topography 1–3. 

 

2.1.3 Surface Properties of Biomaterials Affect Hemocompatibility 

The relationship between hemocompatibility and surface properties on various implant 

surfaces is well documented 20-24. Upon initial contact of an implant with the blood, proteins 

readily attach to the surface forming a bioactive interface that mediates between the implant and 

the hemostatic response. As blood proteins attach and spread, changing conformation, 

hydrophobic pockets are exposed. Hydrophobic surfaces tend to attract more proteins than their 

hydrophilic counterparts and can exacerbate healing responses such as platelet and leukocyte 

adhesion/activation leading to implant rejection and thrombosis and inflammation 20, 25. However, 

it is well known that contact activation proteins are more attracted to hydrophilic surfaces 4.The 

aim of creating a truly biocompatible PHVs therefore lies in the ability to control the interfacial 

adsorption of proteins through manipulation of surface chemistry, surface charge, and 

hydrophobicity in order to attenuate the provocation of these biological cascades 20.   

 

 

Figure 2.1.3:  Protein competition on the surface determines future coagulation and immune 
events 5. Reproduced with permission © Elsevier Ltd. 
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2.1.4 Hyaluronan Enhanced Linear Low-Density Polyethylene to Improve Hemocompatibility 

To achieve this, we have developed a novel, hydrophilic, heart valve leaflet material 

comprised of an interpenetrating polymer network (IPN) of hyaluronan (HA) and linear low- 

density polyethylene (LLDPE). HA is a highly lubricious, anionic, glycosaminoglycan 

ubiquitously found in the human body. It is present throughout the extracellular matrix of almost 

all tissues, in the ocular viscera, the synovial fluid, and in the native heart valve leaflet. Because it 

is nontoxic, biodegradable, biocompatible, and non-immunogenic it is currently being investigated 

for a vast array of biomedical applications including cardiovascular therapies such as hydrogel 

based regenerative cell therapies for myocardial infarction, HA-coated stents, and surface 

modifications of polyurethane and metals for use in blood-contacting implants 26-31. Although HA 

is known to interact with some blood components, previous studies have shown that HA coated 

surfaces significantly reduce thrombosis, and high systemic concentrations of HA lead to extended 

bleeding times thereby giving credence to its antithrombotic properties 32-34. LLDPE was chosen 

as our base material for its ability to be manufactured to be very thin similar to the native leaflet 

while maintaining a high tensile and tear strength, complemented by a low bending stiffness 19. 

The aim of this study was to assess the ability of this novel material to reduce clotting mechanism 

to ascertain its feasibility to be used as a blood-contacting, flexible heart valve leaflet.  

 

2.2 Materials and Methods  

2.2.1 Fabrication and Characterization of HA-LLDPE Sequential IPNs  

Dowlex 2056 LLDPE (Dow Corning) blown extruded films (80µm thickness) were 

cleaned in acetone, dried, and then immersed in xylene for 12hrs, followed by vacuum drying at 

50oC to achieve constant weight prior to further use.  Sodium hyaluronate (MW: 7.31×105Da) was 
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purchased from Lifecore Biomedical and stored at 2-8°C. Cetyltrimethylammonium bromide 

(CTAB) was obtained from Fisher Scientific. Poly (hexamethylene disocyanate) (p (HDMI)), 

desmodur N3200, hexamethyldisilazane (HMDS, 99%), anhydrous dimethyl sulfoxide (DMSO, 

>99.9%) and acetone (ACS grade) were obtained from Sigma Aldrich. Xylene and 3A molecular 

sieves were purchased from EMD Millipore.  Xylene was dried over molecular sieves for 24hrs 

then distilled into a silylated dry round bottom flask and stored under dry nitrogen atmosphere 

until further use. Ethanol (200 proof ACS/USP grade) was obtained from Pharmco (Brookfield, 

CT). All chemicals were used as received unless specified. Silylated 

hyaluronancetyltrimethylammonium (SilylHA-CTA) complex was synthesized as described 

elsewhere 35.  

LLDPE films (3” diameter) were mounted onto an ultra-high molecular weight 

polyethylene holder and transferred to a dry N2 atmosphere inside a glove-bag.  The detailed 

fabrication process is described elsewhere 19. In brief:  

• LLDPE films were swollen for 60mins in 2.5% w/v SilylHA-CTA xylene solution at 50oC 

in a dry N2 filled glove-bag.  

• Films were then dried for approximately 2-3hrs in a vacuum oven at 50oC until no weight 

change was observed.  

• SilylHA-CTA impregnated LLDPE films (SilylHA-CTA-LLDPE) were then crosslinked 

in 2% v/v p (HMDI) xylene solution for 60mins at 50oC in a dry N2 filled glove-bag. 

• Crosslinked SilylHA-CTA-LLDPE (xSilylHA-CTA-LLDPE) was cured in a vacuum oven 

for 15hrs at 50oC.  

• Excess p (HMDI) was removed by soaking films in acetone for 1min and subsequently 

drying in a vacuum oven for 5-10mins at 50°C until no visible traces of acetone remained. 
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• A final step of hydrolysis to get rid of the Silyl and CTA groups was performed as 

described elsewhere.  HA-LLDPE surfaces were then stored in a vacuum desiccator until 

further characterization. 

 

2.2.2 Characterization of HA-LLDPE Surfaces  

HA-LLDPE surfaces were characterized using attenuated total reflectance Fourier 

transform infrared spectroscopy (ATR-FTIR) and thermogravimetric analysis (TA). A Nicolet iS-

50 FT-IR spectrometer with KBR beam splitter and diamond ATR crystal accessory was used to 

verify the presence of HA on the treated LLDPE films.  Five spectra were taken with 4cm-1 

resolution with 64 scans per spectra at different sections on the film. Spectra were averaged 

together for analysis.  

A TGA 2950 (TA Instruments) was used for bulk-weight analysis of HA-LLDPE films. 

Between 4-6 mg of HA-LLDPE film was used per run and three runs were performed for each 

HA-LLDPE film. In a N2 rich atmosphere, the samples were heated up to 600oC as follows:  

A heating rate of 25oC/min until a temperature of 110oC was reached followed by an isothermal 

hold for 5mins to ensure any adsorbed water was evaporated.  

A heating rate of 10oC/min until a temperature of 540oC was reached.  

A heating rate of 25oC/min until a temperature of 600oC was reached, followed by an isothermal 

hold for 5mins.  

The resulting thermograms were analyzed for weight % changes occurring between 150°C 

to 350°C. The final true weight changes due to crosslinked HA were quantified as the difference 

between the mean HA-LLDPE weight % and LLDPE weight %. Fabrication of HA-LLDPE 

materials were performed by Dr. Sue James lab at Colorado State University. 



87 

 

2.2.3 Contact Angle 

For contact angle measurements, HA-LLDPE substrates were hydrated in DI water 

overnight before being analyzed. The substrates were placed on a stage of a Rame-Hart Contact 

Angle goniometer.  The dispensing needle was placed just above the substrate, and an initial drop 

was dispensed.  For advancing angles, the volume of the drop was gradually increased; the tangent 

contact angle was measured as the contact line advanced outward, until a maximum angle 

stabilized as seen through plateauing of the angle value using DropImage Advanced software.  The 

water was subsequently sucked back up slowly with the receding angle measured from the 

receding contact line until the angle stabilized or the angle was unmeasurable. 

 

 

Figure 2.2.3: Contact angle measurements determine the wettability of a material surface. 

 

2.2.4 Blood Plasma Isolation and Incubation on Different Surfaces  

 Whole human blood was drawn via venous phlebotomy from healthy donors who had 

refrained from taking thromboxane inhibitors (aspirin, ibuprofen, naproxen etc.) for at least 2 

weeks. Blood was collected into 10ml EDTA coated vacuum tubes. Plasma was isolated through 

centrifugation at 100 g for 15mins and allowed to rest for 10mins prior to use. Plasma was pooled 
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into a sterilized 50ml conical tube. Tissue culture polystyrene (PS), LLDPE, and HALLDPE (all 

8mm in size) were placed into a 24-well plate and incubated with 1ml of pooled plasma on a 

horizontal shaker plate (100rpm) for 2hrs at 37°C and 5% CO2.  

 

2.2.5 Material Cytotoxicity  

Cytotoxicity was determined using a commercially available lactate dehydrogenase (LDH) 

assay kit (Cayman Chemical).  After 2hrs of incubation in plasma, the substrates were further 

shaken on a horizontal shaker plate (1000rpm) for 5mins at room temperature. 100µL of substrate-

exposed plasma and manufacturer supplied standards were transferred to a 96-well plate. A 

reaction solution consisting of 96% v/v assay buffer, 1% v/v NAD+1%, v/v lactic Acid, 1% v/v 

INT, and 1% v/v LDH diaphorase was added in equal amounts (1:1) to all the standards and 

substrate-exposed plasma. This was followed by gentle shaking on horizontal shaker plate 

(100rpm) for 30mins at room temperature. The absorbance of this was immediately measured at 

a wavelength of 490nm using a plate reader.  

 

2.2.6 Whole Blood Clotting on Different Surfaces  

Whole blood clotting on different surfaces was evaluated by measuring the amount of free 

hemoglobin. Whole human blood from healthy donors who had refrained from taking 

thromboxane inhibitors for at least 2 weeks was drawn via venipuncture into vacuum tubes 

without any anticoagulants. 5μL of blood was immediately placed onto the surfaces and allowed 

to clot for up to 60mins. To measure the free hemoglobin in the un-clotted blood, the blood the 

substrates were transferred into a new 24-well plate containing 500μL of DI water after 15, 30 

and 60mins. The surfaces were then gently agitated for 30secs and allowed to rest in DI water for 
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5mins to release the free hemoglobin from red blood cells that were not encapsulated in the clot. 

200µL of the DI water/un-clotted blood solution was transferred to a 96-well plate and the 

absorbance was measured at a wavelength of 540nm using a plate reader.  

 

2.2.7 Blood Cell Adhesion on Different Surfaces  

Blood cell adhesion was investigated using fluorescence microscopy. After 2hrs of 

incubation in plasma, the surfaces were stained with Calcein-AM (Thermo-scientific). The un-

adhered cells were gently aspirated and the surfaces were rinsed with PBS (2x). 1ml of a 5µM 

solution of Calcein-AM in PBS was added to the substrates. The substrates were allowed to 

incubate for 20mins in the stain solution. After 20mins, the stain solution was gently aspirated, 

and the substrates rinsed with PBS (2x). The surfaces were immediately imaged using a Zeiss 

Axiovision fluorescent microscope using a 493/514nm filter. All images were processed using 

Image J software.  

 

2.2.8 Platelet Activation on Different Surfaces  

Platelet activation was determined using scanning electron microscopy (SEM). After 2hrs 

of incubation in plasma, substrates were fixed with a primary fixative (6% glutaraldehyde 

(Sigma), 0.1M sodium cacodylate (Polysciences), and 0.1M sucrose (Sigma)) for45 mins. The 

substrates were then transferred to a secondary fixative (primary fixative without glutaraldehyde) 

for 10mins. This was followed by exposing the substrates to consecutive solutions of ethanol 

(35%, 50%, 70% and 100%) for 10mins each followed by a final incubation in 97% 

hexamethyldisilazane (HMDS for 10mins at room temperature). The substrates were then air-
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dried and stored in a desiccator until imaging by SEM. Prior to imaging; the surfaces were coated 

with a 10nm layer of gold and imaged at 5kV.  

 

2.2.9 Platelet Factor 4 Expression on Different Surfaces  

Platelet factor 4 (PF-4) expression was measured using an enzyme linked 

immunoabsorbant assay kit (ELISA, RayBio) to evaluate release from alpha granules during 

platelet activation. The protocol provided by the manufacturer was followed. After 2hrs of 

incubation, the substrate-exposed plasma was diluted (1:200) in the assay diluent. The diluted 

plasma and were transferred into the micro-assay well plate and incubated for 2.5hrs on a 

horizontal shaker plate (100rpm) at room temperature. The plasma and standards were aspirated, 

and the wells were washed (4x) with wash buffer and incubated with biotinylated antibody for 1hr 

on a horizontal shaker plate (100 rpm) at room temperature. The antibody was then aspirated, and 

the wells were washed (4x) to remove any unbound antibody. The wells were then incubated with 

a horseradish peroxidase (HRP)-streptavidin solution (1:25,000 in assay diluent) and incubated 

for 45mins on a horizontal shaker plate (100rpm) at room temperature.  HRP was then aspirated 

and the wells were washed (4x) with wash buffer and incubated with TMB solution for 30mins 

on a horizontal shaker plate (100rpm) at room temperature in a dark environment. The reaction 

was stopped by adding stop solution and the optical density was measured using a plate reader at 

450nm.  

 

2.2.10 Contact Activation on Different Surfaces  

Contact activation was assessed by an acid stop method (Chromogenix) to investigate pre-

kallikrein expression. The protocol provided by the manufacturer was followed. After 2hrs of 
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incubation, the substrate-exposed plasma was diluted 10-fold in Tris buffer solution (pH 7.8). 

100µl of the diluted plasma was transferred to a 96-well plate and incubated at 37°C and 5% CO2 

for 3-4mins. 100µl of pre-warmed (37°C) substrate solution was added to the wells and incubated 

at 37°C and 5% CO2 for further 10mins. The reaction was stopped by adding 100µl of 20% acetic 

acid to the wells. Plasma blanks were prepared by adding reagents in reverse order, without 

incubation. The optical density of the solution was measured using a plate reader at 405nm.  

  

2.2.11 Thrombin Anti-thrombin (TAT) Complex Formation on Different Surfaces  

Thrombin anti-thrombin (TAT) complex formation was measured using a human thrombin 

anti-thrombin ELISA kit (HaemoScan). The protocol provided by the manufacturer was followed. 

A Nunc Maxisorp 96-well microtiter plate was coated with capture antibody and incubated in 

coating buffer overnight at 2-8°C. The plate was then washed (3x) with PBS-Tween wash buffer 

solution. After 2hrs of incubation, the substrate-exposed plasma was diluted (1:200). 100µL of 

diluted plasma and standards were transferred into the wells of the microtiter plate and incubated 

for 1hr at room temperature. The plasma and controls were then aspirated, and the wells were 

washed (3x) with wash buffer and incubated with 100µl of antibody solution 1hr at room 

temperature. The wells were washed (3x) and 100µl of substrate solution was added. After 

20mins, the reaction was stopped with 50µl of stop solution and the optical density was measured 

using a plate reader at 450nm.  

 

2.2.12 Thrombin Generation on Different Surfaces  

The rate of thrombin generation was assessed using a thrombin generation assay (TGA, 

HaemoScan). The protocol supplied by the manufacturer was followed. The substrates were 



92 

 

incubated at 37oC with 350µl of diluted TGA plasma for 15mins in a sterilized centrifuge tube. 

175µl of a mixture of TGA reagent A and TGA reagent B was added to each tube. After 1min, 

10µl of this mixture was placed into a tube containing 490µl of buffer B and stored on ice. Tubes 

were immediately placed back in the water bath after sampling. This was repeated after 2mins, 

4mins, and 6mins for each substrate. 150µl of samples from each substrate and standard was 

placed into a 96-well plate and incubated for 2mins at 37oC and 5% CO2. 50µl of diluted substrate 

solution was added to each well and the covered well plate was incubated for 20mins at 37oC and 

5% CO2. 50µl of stop solution was added to each well and optical density was read immediately 

at 405nm, using 540nm as a reference wavelength. Thrombin generation rate was calculated by 

determining the highest velocity between the two measured time points and correcting for the 

dilution factor (50x).   

 

2.2.13 Hemolytic Activity on Different Surfaces  

Hemolytic activity was evaluated using a biomaterial hemolytic assay (HaemoScan). 

Sterilized substrates and reference material (positive control) provided by the manufacturer were 

placed in syringes with one syringe without any material (negative control). An erythrocyte 

suspension (500µl) provided by the manufacturer was added to each syringe containing substrates, 

reference material or the negative control. Air was removed and parafilm was used to close the 

outlet. Vials were incubated at 37oC for 24hrs while subjected to end over end rotating on a rotator 

plate. The erythrocyte suspension was carefully transferred to a centrifuge tube (1.5ml) followed 

by centrifugation at high speed (3600g) for 1min. 20µl of supernatant from each substrate, 

reference material and negative control was transferred into a 96-well plate along with 180µl of 
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assay buffer. The 96-well plate was mixed on a shaker plate and the optical density was measured 

using a plate reader at 415nm.  

  

2.3 Statistical Analysis  

Each qualitative experiment was performed to evaluate differences between PS, LLDPE 

and HA-LLDPE on at least three substrates (nmin = 9), except for ELISA’s which were performed 

on at least five substrate surfaces per group (nmin = 15).  Each assay was repeated at least three 

times with three different whole blood plasma populations. All results were evaluated using a one-

way analysis of variance (ANOVA) with a Tukey’s, Bonferroni, and Scheffé post-hoc tests.  

  

2.4 Results and Discussion  

2.4.1 Characterization Results of HA-LLDPE Surfaces  

To ensure the presence of between HA on LLDPE, ATR-FTIR spectra were taken for HA-

LLDPE and compared to that of plain LLDPE.  The results indicate characteristic peaks for both 

HA and LLDPE on HA-LLDPE surfaces (Fig. 2.4.1).  The characteristic peaks for LLDPE 

include: CH3 and CH2 asymmetric and symmetric stretching near 2914 and 2847cm-1; CH2 and 

CH3 scissoring and stretching at 1472 and 1462cm-1; and CH2 rocking at 718cm-1.  The 

characteristics peaks for cross-linked HA include: OH and NH stretching near 3338cm-1; carbonyl 

stretching of urethane linkages near 1765cm-1; amide and carboxyl carbonyl stretching near 

1685cm-1; and CNH stretching characteristic of amides and urethanes due to HA and the HMDI 

cross-linker near 152cm-1.  Further, TA was used for bulk-weight analysis of HA-LLDPE surfaces. 

The results indicate a mean of 1.002 ± 0.194 w/v % of cross-linked HA in HA-LLDPE surfaces. 
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This result was comparable to the % HA in HA-LLDPE as reported by earlier study 19. ATR-FTIR 

analysis was performed by Dr. Sue James lab at Colorado State University. 

 

 

Figure 2.4.1: ATR-FTIR spectra for LLDPE and HA-LLDPE surfaces showing characteristic 
peaks of HA (OH and NH) and HA indicative carbonyl and urethane groups after impregnation. 
 

2.4.2 Contact Angle Results  

Contact angle goniometry was used to characterize the wettability of HA-LLDPE 

substrates (Fig.2.4.2.)  The results indicate that due to high contact angle hysteresis (i.e. the 

difference between advancing and receding contact angles) of HA-LLDPE substrates, water 

droplets will not easily roll off and will spread on the surface, indicating that all the HA-LLDPE 

substrates are hydrophilic.  In contrast, the contact angle hysteresis was lower for LLDPE 

substrates indicating the substrate is hydrophobic. Further, none of the advancing and receding 

contact angles for HA-LLDPE substrates were significantly different from each other, however, 

they were all significant different from LLDPE substrates (p≤0.05). Contact angle data was 

provided by James Lab at Colorado State University. 
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Figure 2.4.2 Contact angle measurements provided by James Lab at Colorado State University 

demonstrate that HA-LLDPE surfaces exhibit greater wettability that virgin LLDPE. 

 

2.4.3 Lactate Dehydrogenase Results  

To ensure that the inherent material properties of HA-LLDPE pose no threats to the blood 

and its components, cytotoxicity was assessed through use of a commercially available lactate 

dehydrogenase assay (LDH). An enzyme found abundantly in hematocytes, LDH has long been 

used as a clinical marker for both in vitro and in vivo hemolysis resulting from disease or toxic 

substances 36. Cytotoxic materials result in cell death by inducing cytoplasmic and organelle 

swelling, followed by organelle dissolution and rupture of the plasma membrane. These events 

correspond to a rise is cytosolic LDH which is then released into the extracellular milieu as loss 

of membrane integrity allows intercellular contents to spill into the environment 3738. Cytotoxicity 

of a material is thus determined by inferring magnitude of cell death through quantification of 

freed LDH. Results of the study indicate similar levels of LDH expression after exposure to PS, 
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LLDPE, and HA-LLDPE surfaces (Fig. 2.4.3). PS was utilized in this study as a positive control 

as it is commonly used in cell culturing methods and is well known to be exhibit low toxicity. 

Thus, a similar level of LDH expression on HA-LLDPE and LLDPE surfaces to that of PS 

indicates that LLDPE and HA-LLDPE share a similar cytotoxicity to that of PS.   

 

       

Figure 2.4.3: Cytotoxicity of different material surfaces assessed after 2hrs of incubation in whole 
blood plasma. Results indicate no significant difference in LDH activity for all surfaces. 
Experiments were replicated with at least three different human plasmas on at least five different 
samples (nmin = 9). A one-way ANOVA was performed. Average values and standard deviations 
are as follows: PS (av=1.643; st.dev=.510); LLDPE (av=1.652; st.dev=.491); HA-LLDPE 
(av=1.574; st.dev =.570).   
 

2.4.4 Whole Blood Clotting Results  

Cytotoxicity is the primary measure of fitness in the assessment of all medical devices. In 

addition, for prosthetic heart valves, the rate and means by which blood clots on heart valve leaflet 

material surfaces is central its long-term performance. Exacerbated by low-hemocompatible 

materials, valve thrombosis can manifest clinically as pulmonary congestion, insufficient 

peripheral perfusion, systemic embolization, valve occlusion, stroke, and/or death 39. The 

pathogenesis of intra-cardiac thrombus formation due to a material’s surface is based on three 
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primary mechanisms: its proclivity to attract adhesive blood proteins such as von Willebrand 

factor, fibrinogen, and thrombospondin; subsequent platelet adhesion and activation; and the rate 

of clot formation 40. Thus, complementary anti-coagulant therapy is often required even with bio-

prosthetics and points to the necessity to find a heart valve leaflet material that will completely 

exclude thrombosis if anticoagulants are to be eliminated as obligate therapies for prosthetic 

valves.  Determining the time scale in which total whole blood clotting occurs in a static 

environment can assist in discerning a material’s ability to promote or prevent thrombosis. Thus, 

to ascertain if HA-LLDPE surfaces affect blood coagulation, whole blood clotting was 

characterized. Human whole blood was placed on test surfaces and allowed to clot for a 

predetermined length of time and then rinsed in DI H2O. As blood clots, hemoglobin is bound into 

the fibrin network and is unable to be released into its environment. Unbound hemoglobin is freed 

into the DI H2O and can be analyzed via spectrophotometry to ascertain amount of overall clotting. 

All surfaces promoted some amount of clotting within 1hr of static exposure, but the rate of 

clotting was drastically reduced on HA-LLDPE surfaces (Fig. 2.4.4). At all-time points (15, 30, 

60mins) free hemoglobin from blood in contact with HA-LLDPE surfaces was significantly 

greater than for both PS and LLDPE surfaces indicating that HA-LLDPE surfaces reduced clotting 

as compared to PS and LLDPE. Complete clotting was not seen on HA-LLDPE surfaces even 

after 1hr of exposure to blood. Both PS and LLDPE exhibited comparable levels clotting at all 

time points with almost full clotting reached after 1hr of exposure. 
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Figure 2.4.4: Free hemoglobin concentration as determined by absorbance on PS, LLDPE, and 
HA-LLDPE surfaces. Significant differences in free hemoglobin concentrations were seen 
between HA-LLDPE and all other surfaces at all time points at p≤.05. Experiments were replicated 
with at least three different human whole bloods on at least five different samples (nmin = 15). A 
one-way ANOVA was performed. No significance was seen between PS and LLDPE. Average 
values and standard deviations are as follows: PS (t=15; av=.710; st.dev=.124 t=30; av=.516; 
st.dev= .119; t=60; av=.418; st.dev=.151) LLDPE (t=15; av=.678; st.dev=.240; t=30; av=.457; st. 
dev= .279; t=60; av=.274; st. dev=.336); HA-LLDPE (t=15; av=1.535; st.dev =.1.38; t=30; 
av=.995; st.dev=.070; t=60; av=.788; st. dev=.502).   
 

2.4.5 Platelet Adhesion and Activation on HA-LLDPE Surfaces  

Once a biomaterial comes into contact with blood a provisional matrix of proteins adsorbs 

immediately onto the surface. This bioactive protein layer provides the foundation for 

coagulation/immune responses to take place; however, it is the binding and activation of cells to 

this film that are the key events in their stimulation.  Adsorbed proteins are recognized by platelet 

and leukocyte receptors allowing them to bind, aggregate, activate, and spread across the 

biomaterial surface. To accomplish this, platelets must first be activated either through the binding 

of plasma proteins or by the molecular production and self-release of activating factors such as 
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platelet activating factor, cathespi-G, epinephrine, serotonin, ADP, ATP, and thromboxane 41. 

Upon platelet activation, conformational changes in the membrane lead to the exposure of high 

affinity binding sites for fibrinogen which further assists in platelet aggregation and the formation 

of platelet-leukocyte complexes 41, 49.  In this study, cellular adhesion to surfaces was determined 

by visualization after Calcein-AM staining. After 2hr of incubation in human plasma, the surfaces 

were stained and imaged using fluorescence microscopy. The images were further analyzed using 

Image J to determine the cell coverage on all the surfaces. The results indicate significantly lower 

total cell adhesion on HA-LLDPE surfaces as compared to PS and LLDPE (Fig. 2.4.5 (a)). The 

HA-LLDPE surfaces had approximately 76% and 83% less cell adhesion as compared to PS and 

LLDPE respectively (Fig. 2.4.5 (b)).   

 

  

 

Figure 2.4.5 (a): Representative fluorescence microscopy images of adhered platelets and 
leukocytes stained with Calcein-AM on PS, LLDPE, and HA-LLDPE surfaces.  
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Figure 2.4.5 (b): Percent coverage analysis of adhered platelets and leukocytes after staining with 
Calcein-AM on PS, LLDPE, and HA-LLDPE surfaces. Experiments were replicated with at least 
three different cell populations on at least three different samples (nmin = 9). A one-way ANOVA 
was performed. Results indicated significantly less cellular adhesion on HA-LLDPE as compared 
to other surfaces p ≤ 0.05. Average values and standard deviations are as follows: PS (av=1.642; 
st.dev=.631); LLDPE (av=2.29; st.dev=.392); HA-LLDPE (av=.08; st.dev =.420).   
 

2.4.6 Scanning Electron Microscopy Visualizes Platelet Activation 

To characterize platelet activation, SEM imaging was used. During activation, platelets 

undergo cytoskeletal dependent membranous shape changes. This commences with the 

disassembly of the microtubule ring followed by actin polymerization to form dendritic extensions 

that are thought to release chemo-attractants and summon additional platelets to the area to 

aggregate and begin the formation of the platelet plug 55. Five morphological groups of dendritic 

expressions on implant surfaces have been identified and correspond with four levels of activation: 

round (un-activated): discoid shape with no pseudopodia present; dendritic (partially activated): 

early pseudopodia i.e. short reversible dendritic extensions; spread dendritic (moderately 

activated): irreversible long-dendritic extensions with some spreading, some pseudopodial 

flattening; spreading (fully activated): pseudopodia almost fully flattened, hyaloplasmic 
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spreading; and fully spread (fully activated): no pseudopodia present, hyaloplasm is well spread 

56-57. Similar to fluorescence microscopy images, the SEM images also indicate lower cell 

adhesion on HA-LLDPE surfaces as compared to LLDPE and PS surfaces (Fig. 2.4.6). The SEM 

images also indicated slight reversible dendritic extensions with no aggregation and lack of any 

specific morphological changes in platelets on HA-LLDPE surfaces as compared to LLDPE 

surfaces that exhibited spread-dendritic, spreading morphologies and platelet aggregation. 

Furthermore, neither LLDPE nor HA-LLDPE surfaces showed formation of platelet-leukocyte 

complexes.  

  

 

Figure 2.4.6: Representative SEM images of adhered platelets and leukocytes on PS, LLDPE, 
and HA-LLDPE surfaces. Results indicate HA-LLPE surfaces promoted no activation of platelets 
as noted by the rounded morphology. By comparison PS and LLDPE both resulted in fully 
activated platelets as expressed by the spread-dendritic morphology of platelets on these surfaces. 
Experiments were replicated with at least three different cell populations on at least three different 
samples (nmin = 9).  
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2.4.7 Platelet Factor 4 Expression on Different Surfaces  

In conjunction with morphological changes, platelets also release dense and alpha granules 

both containing biomolecules (e.g. ADP, ATP, serotonin, and PF-4) that operate as chemokines 

and cytokines to similarly activate and degranulate leukocytes. Platelet-leukocyte complexes 

recruit immune cells and drive inflammation by helping leukocytes to perform many of their 

functions including chemotaxis, phagocytosis, and superoxide anion generation or inhibition 58. 

Similarly, leukocytes enhance many platelet functions including increased adhesion, activation, 

and secretion of granules 59. From alpha granules PF-4, a cytokine is released and is responsible 

for enhancing blood coagulation. Thus, PF-4 ELISA assay was performed to determine if HA-

LLDPE surfaces activated platelets to release PF4 after incubation in whole blood plasma for 2hrs. 

Results indicated significant differences in PF-4 expression for platelets on LLDPE and HA-

LLDPE surfaces at p≤.08, however PF-4 expression was significantly higher on PS surfaces with 

a significance at p≤.05 (Fig. 2.4.7). Platelet activation and subsequent release of its components 

such as PF-4 have been shown to increase in presence of leukocytes which can lead to pro-

thrombotic surfaces.  
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Figure 2.4.7: PF-4 expression of degranulated platelets after 2hrs of incubation in whole blood 
plasma. Results indicate a significant increase in PF-4 expression on PS surfaces compared to 
LLDPE and HA-LLDPE surfaces p≤.05. Significant differences were noted between LLDPE and 
HA-LLDPE at p≤.08. Experiments were replicated with at least three different human plasmas 
on at least five different samples (nmin = 15). A one-way ANOVA was performed. Average values 
and standard deviations are as follows: PS (av=5663.087; st.dev=812.784); LLDPE 
(av=1290.386; st.dev=1226.414); HA-LLDPE (av=433.464; st.dev =109.620).   
 

2.4.8 Contact Activation on Different Surfaces 

When blood comes in contact with a biomaterial the intrinsic pathway, aptly named the 

contact activation pathway, is initiated. The intrinsic pathway is regulated by the binding of three 

proteins to the material surface: factor XII (the Hageman factor), which undergoes autocatalysis 

upon contact with a negatively charged surface triggering the cascade; prekallikrein, which 

interacts with factor XII initiating a positive feedback loop that further activates these factors and 

intensifies the contact activation scheme; and high molecular weight kininogen, which acts as a 

cofactor for the activation of prekallikrein and factor XII 60-63. To investigate the effect of HA-

LLDPE on the contact activation, an acid stop assay was used to determine the amount of 

prekallikrein expressed. The results indicate no significant differences in prekallikrein expression 

on all the surfaces (Fig. 2.4.8). Previous studies investigating the role of contact activation on 

  ** 

  * 



104 

 

polymers used for cardiovascular implants (e.g. Dacron ™, expanded polytetrafluoroethylene and 

polyethylene) have noted adsorption of all three contact proteins on the polymer surfaces, but 

factor XII was not found in its activated form, thus halting further activation of the coagulation 

cascade via the intrinsic pathway and thus likely retarding the expression of prekallikrein60, 62-63. 

Furthermore, evaluations performed on UV modified HA gels also noted that factor XII was not 

found in its activated form 53. It should be noted that these HA gels utilized HMW-HA which may 

affect its interaction with factor XII, similar to its effect on fibrinogen binding. Based on these 

results, it can be hypothesized that both LLDPE and HA-LLDPE have a similar role in mitigating 

intrinsic coagulation activity.  

 

     

Figure 2.4.8: Contact activation measured by the amount of pre-kallikrein on different surfaces 
after 2hrs of incubation in whole plasma. The results indicate no significant difference in contact 
activation on the surfaces. Experiments were replicated with at least three different human plasmas 
on at least five different samples (nmin = 15). A one-way ANOVA was performed. Average values 
and standard deviations are as follows: PS (av=.539; st.dev=.152); LLDPE (av=.570; 
st.dev=.116); HA-LLDPE (av=.660; st.dev =.076).   
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2.4.9 Thrombin Formation on Different Surfaces 

Once platelets and leukocytes trigger the coagulation system, the protease thrombin 

(fibrinogenase) cleaves the protein fibrin causing it to polymerize and produce a gelatinous fibrin 

matrix clot. During this process, a sequence of biochemical markers are produced which can be 

measured to determine the extent to which these clotting factors are generated. These include pro-

thrombin, which determines the amount of thrombin being generated; and the thrombin-

antithrombin-complex (TAT), which determines the amount of thrombin that was inhibited 70. 

The most accurate method of determining the amount of thrombin would be to test specifically 

for the protease itself; however, thrombin is rapidly bound and inactivated by antithrombin during 

the regulatory process. Thus, thrombin from unadulterated plasma can only be measured indirectly 

through quantification of the cleavage products produced by prothrombin or through the 

measurements of the TAT complex 71.  Determining the amount of direct endogenous thrombin 

generation due to the material however can be accomplished using special plasmas which are 

absent anti-thrombin and platelets.  To investigate the effect of HA-LLDPE on TAT and thrombin 

generation, an enzyme immunoassay was used. The results indicate significant differences 

between PS and LLDPE and HA-LLDPE at p≤.05 and LLDPE and PS at p≤.08 for TAT 

formation. Significant differences were seen at p≤.05 in TGA evaluations for PS as compared to 

LLDPE and HA-LLDPE groups. No differences were seen in endogenous thrombin generation 

between LLDPE and HA-LLDPE groups (Fig. 2.4.9 (a) and (b)).  Previous studies have found 

only small amounts of TAT and thrombin generation on biomaterial surfaces when exposed to 

undiluted plasma. However, in the same study these markers were found to be significantly present 

when in contact with whole blood suggesting that the presences of leukocytes may be needed for 

full activation of the coagulation cascade 41, 72-73. This may explain the differences observed in the 
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TAT and TGA evaluations. No significant differences were observed in TGA evaluations between 

LLDPE and HA-LLDPE groups when in contact with the manufacturer’s plasma absent anti-

thrombin and plasma cells was utilized. However, when in contact with plasma including cells in 

TAT assaying, differences were noted, exhibiting the role of platelets and leukocytes in clotting 

mechanisms. 

 

 

               

Figure 2.4.9 (a): TAT concentration determined after 2hrs of incubation of different surfaces in 
whole blood plasma. Experiments were replicated with at least three different human plasmas on 
at least five different samples (nmin = 15). A one-way ANOVA was performed. Results indicate 
significant difference in TAT concentration between PS and LLDPE and HA-LLDPE at p≤.05 
and significant differences between LLDPE and PS at p≤.08. Average values and standard 
deviations are as follows: PS (av=.463; st.dev=.098); LLDPE (av=2.90; st.dev=.082); HA-LLDPE 
(av=.212; st.dev =.078).    
 



107 

 

               

  

  

Figure 2.4.9 (b): Thrombin generation velocity on different surfaces calculated as the greatest 
difference between two time points and normalized to the area of each surface. Experiments were 
replicated with at least three different human plasmas on at least five different samples (nmin = 
15). A one-way ANOVA was performed. No significant differences were seen between LLDPE 
and HA-LLDPE groups however PS was significantly different at p≤.05. Average values and 
standard deviations are as follows: PS (av=.462; st.dev=.177); LLDPE (av=.251; st.dev=.140); 
HA-LLDPE (av=.177; st.dev =.149).    
 

2.4.10 Hemolysis on Different Surfaces  

For a blood-contacting material to be approved for a medical device, hemolytic activity 

(the magnitude of the membranous breakdown of red-blood cells due toxic material) must be 

assessed. Hemolysis can occur due to a number of factors including chemicals or toxins present 

within the material, shear forces, leachables, or inherent properties of the material itself such as 

surface charge 74. To evaluate the hemolytic activity, erythrocytes were exposed to material 

surfaces for 24hrs, and hemoglobin released by the cells was measured via spectrophotometry. 

The results indicate no significant differences between hemoglobin released on LLDPE, HA-
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LLDPE, and PS surfaces (Fig. 2.4.10).  Since PS is known to exhibit low levels of factors which 

can lead to hemolysis, the results suggest that that HA-LLDPE surfaces exhibit negligible 

hemolytic effects on erythrocytes as well. 

       

Figure 2.4.10: Hemoglobin release from a human erythrocyte suspension measured by 
spectrophotometry after 24hrs of substrate-erythrocyte incubation. Results indicate no significant 
differences between all the surfaces. Experiments were replicated with at least three different cell 
populations on at least five different samples (nmin = 9). Average values and standard deviations 
are as follows: PS (av=.00039; st.dev=.00029); LLDPE (av=.00065; st.dev=.00058); HA-LLDPE 
(av=.00053; st.dev =.00042).    
 

2.5 Conclusions  

Hemocompatible and long-lasting flexible HV leaflets are the sought-after gold standard 

for HVRT. To this end, polymer-based leaflets have been widely investigated as they have the 

potential to offer highly durable base materials which can be chemically and physically modified 

to improve hemocompatibility. Unfortunately, no polymer-based heart valve leaflet has proven 

viable for prolonged implantation as historically, they are fraught with structural degradation and 

thrombotic complications. One of the main obstacles is the natural hydrophobic nature of 

polymeric surfaces which attracts hydrophobic blood proteins and thus exacerbates coagulation 
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and immune response cascades. However, advances in polymer science and surface modification 

techniques have ushered in a new era in polymeric heart valve technology.  

In this study, we assessed the thrombogenic impact of hydrophilic polymer surface, HA-LLDPE 

for future potential use as flexible heart valve leaflets. The results indicate that HA-LLDPE 

exhibits low toxicity similar to that of PS commonly used in cell culture. In addition, the results 

demonstrate that HA may reduce the thrombogenic potential of virgin LLDPE surfaces. 

Cytotoxicity studies measuring the release of LDH showed no significant differences when 

compared with PS, a substance used widely in tissue culture and known to exhibit low toxicity. 

SEM imaging demonstrated only partially activated platelets on HA-LLDPE surfaces noted by 

their reversible dendritic extensions and mostly round appearance. Reduced platelet activation 

was further confirmed through the use of PF-4 assay that showed less PF-4 expression on HA-

LLDPE surfaces although significant differences were not noted in PF-4 expression between 

LLDPE and HA-LLDPE. However, LLDPE did exhibit greater platelet coverage. Overall, the 

results indicate that HA-LLPE may reduce whole blood clotting in vivo. Additional verification 

of this hypothesis was tested using TAT and thrombin generation assays. No significant 

differences were noted between any of the surfaces. Finally, a hemolytic assay was performed to 

evaluate the potential for red blood lysing due to contact with the material with no significant 

differences as compared to PS. While these results are not clinically relevant, they do provide 

compelling data to suggest that future studies using animal models may exhibit successful results. 
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CHAPTER 3 
 

 

 

NON-SPECIFICIMMUNE RESPONSE OF  

HYALURONAN ENHANCED LINEAR LOW-DENSITY POLYETHYLENE 
 
 
 

3.1 Introduction 

3.1.1 Implantation of Medical Devices Results in Adaptive Immune Reactions 

Due to their high durability, flexible nature, and tunable surface properties, polyethylenes 

have been highly sought after for their potential use in polymeric heart valve (PHV) leaflets 1,2. 

Regardless of these multiple structural and facial benefits, polyethylene based cusps have remained 

susceptible to host response actuation and thrombosis as a result of their innate hydrophobicity 

which attracts blood proteins, platelets, and leukocytes 3–5. Upon implantation of a biomedical 

device, the innate and adaptive immune response of the host is initiated 6. While the immune 

response is essential to the healing of the injury site and subsequent tolerance of the implant, 

exacerbated responses can lead to acute and chronic inflammation, foreign body reactions, fibrous 

capsule development and implant rejection 7. Similar to the development of biomaterial surface 

related thrombosis,  the non-specific immune response is initially governed by the facial 

characteristics of the implant which determine the amount and types of proteins which adsorb to 

its exterior in the formation of a provisional matrix (Fig. 3.1.1) 8–12. These proteins facilitate 

communication between the implant and host. If unfavorable conditions to the host environment 

exist it can exacerbate non-specific immune reactions governed by the alternative pathways 8,13. 

Examples of this may include (but are not limited to) surface characteristics, cellular components 

in hybrid biomaterials, and degradation products 14. 
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Figure 3.1.1: Like the coagulation cascade, the non-specific immune response is governed by the 
initial binding of proteins to the biomaterial surface which modulate its response to the host. 
Reproduced with permission © Elsevier Ltd. 
 

3.1.2 Foreign Body Responses Can Affect the Tolerance of Biomedical Implants 

Foreign body responses are responsible for promoting monocyte and macrophage 

adhesion, the fusion of macrophage into giant foreign body cells, inflammation, the provocation 

of hemostatic responses, and implant rejection 7. Adverse immune reactions can negatively affect 

the tolerance and future success of the implant and lead to such end-points as intimal hyperplasia, 

fibrosis, and calcification which are impossible to treat pharmaceutically 15. Thus the aim of 

creating a truly biocompatible PHVs includes the ability to control interfacial adsorption of 

proteins through manipulation of such mechanisms as surface chemistry, surface charge, and 

wettability in order to attenuate the provocation of the biological cascades which can lead to 

unwanted non-specific immune provocation 8 .  
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Figure 3.1.2: Illustration of biomaterial related fibrosis and attenuation of fibrosis by surface 
modification. Reproduced with permission © John Wiley and Sons. 
 

3.1.3 Hyaluronan Enhanced Linear Low-Density for Non-Specific Immune Response Attenuation 

To achieve this, a novel, hydrophilic, heart valve leaflet material comprised of a semi-

interpenetrating polymer network (S-IPN) of hyaluronan (HA) and linear low-density 

polyethylene (LLDPE) was developed. HA is a highly lubricious, anionic, glycosaminoglycan 

ubiquitously found in the human body. It is present throughout the extracellular matrix of almost 

all tissues, in the ocular viscera, the synovial fluid, in the native heart valve leaflet, and blood 

serum 16,17. Because it is nontoxic, biodegradable, biocompatible, and non-immunogenic, it is 

currently being investigated for a vast array of biomedical applications including cardiovascular 

therapies such as hydrogel based regenerative cell therapies for myocardial infarction 18, HA-

coated stents 19,20, and surface modifications of polymers and metals for use in blood-contacting 

implants 21–24. LLDPE was chosen as the base material for its ability to be manufactured to be very 

thin, similar to the native leaflet, while maintaining a high tensile and tear strength, complemented 

by a low bending stiffness 25,26. HA-LLDPE has already demonstrated the ability to be non-toxic 

and thrombo-passivating 27. The aim of this study was to assess the non-specific immune response 
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after plasma exposure to this novel material to ensure its feasibility to be used as a blood-

contacting, flexible heart valve leaflet material. 

 

3.2 Materials and Methods 

3.2.1 Fabrication and Characterization of HA-LLDPE IPNs 

Fabrication and Characterization of HA-LLDPE is described in Chapter 2 sections 2.2.1, 

2.2.2., and 2.2.3. Briefly, sodium HA (~750 kDa, Lifecore Biomedical) was complexed with 

cetyltrimethylammonium (CTA) bromide to create HA-CTA, which was then silylated to create 

silylHA-CTA.  The silylHA introduced into the LLDPE films was crosslinked with a 2% (v/v) 

poly(hexamethylene diisocyanate) (HMDI) xylenes solution.  Treated LLDPE films were swelled 

at 50°C in a 2% (v/v) poly(hexamethylene diisocyanate) xylenes solution (i.e. HA crosslinking 

solution) for 60 min, and the crosslinker was cured in a vacuum oven at 50°C for 3 hr (See Section 

2.2.1).  Materials were then characterized using ATR-FTIR to ensure HA was present (Section 

2.2.2). Contact angle measurements were taking to determine changes in wettability after HA 

impregnation (Section 2.2.3).  

 

3.2.2 Blood Plasma Isolation and Incubation on Different Surfaces 

Whole human blood was drawn via venous phlebotomy from healthy donors by a trained 

phlebotomist who had refrained from taking thromboxane inhibitors (aspirin, ibuprofen, naproxen) 

for at least 2 weeks. The protocol for blood isolation from healthy individuals was approved by 

Colorado State University Institutional Review Board. Blood was collected into 10 ml EDTA 

coated vacuum tubes (BD). Plasma was isolated through centrifugation at 100 g for 15 mins and 

allowed to rest for 10 mins prior to use. Buffy coat and plasma (herein referred to as plasma) was 
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pooled into a sterilized 50ml conical tube. Polystyrene (PS), LLDPE, and HA-LLDPE (all 8mm 

in size) were placed into a 24-well plate and incubated with 1ml of pooled plasma on a horizontal 

shaker plate (100rpm) for 2hrs at 37°C and 5% CO2.  

 

3.2.3 Fibrinogen Binding on Different Surfaces 

Fibrinogen binding on different surfaces was assessed using an enzyme linked 

immunoassay (ELISA, GenWay). The protocol from the manufacturer was followed. After 2 hrs 

of incubation, the surface-exposed plasma was diluted (1:200) in the assay diluent. The diluted 

plasma and standards were transferred into the micro-assay well plate provided by the 

manufacturer and incubated for 60mins at room temperature. The plasma and standards were then 

aspirated, and the wells were washed (4x) with wash buffer and incubated with enzyme antibody 

conjugate for 30 mins at room temperature in a dark environment. The conjugate was then 

aspirated, and the wells were washed (4x) with the wash buffer and incubated with a tetramethyl 

benzidine buffer (TMB) solution for 10 mins at room temperature in a dark environment. The 

reaction was stopped by adding stop solution and the optical density was immediately measured 

using a plate reader at 450nm. Leukocyte adhesion on different surfaces Identification of platelets 

and leukocytes on different surfaces was investigated through fluorescence microscopy. After 2hrs 

of incubation in plasma, the surfaces were stained with rhodamine phalloidin cytoskeleton stain 

and 4’6-diamidino-2-phenylindoledihydrochloride nucleus stain (DAPI, Thermo-Scientific). The 

un-adhered cells were gently aspirated, and the surfaces were washed with PBS (2x). The adhered 

cells on the surfaces were fixed in 3.7 wt % formaldehyde in PBS for 15mins at room temperature 

and rinsed (3x, 5mins each) with PBS. The cell membranes were further permeabilized by 1 % 

Triton-X solution in PBS at room temperature for 3 mins. The surfaces were then transferred to a 
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new 24-well plate and incubated with 500 µl of rhodamine phalloidin solution in PBS for 25 min 

at room temperature. After 25 min, 0.2 µg/ml DAPI stain was added to each well and incubated 

for 5mins. The stain solution was gently aspirated, and the substrates rinsed with PBS (2x). The 

surfaces were immediately imaged using a Zeiss Axiovision fluorescent microscope using 

appropriate filters. All images were then processed using ImageJ Software. 

 

3.2.4 Leukocyte Adhesion on Different Surfaces 

Identification of platelets and leukocytes on different surfaces was investigated through 

fluorescence microscopy. After 2hrs of incubation in plasma, the surfaces were stained with 

rhodamine phalloidin cytoskeleton stain and 4’6-diamidino-2-phenylindoledihydrochloride 

nucleus stain (DAPI, Thermo-Scientific). The un-adhered cells were gently aspirated, and the 

surfaces were washed with PBS (2x). The adhered cells on the surfaces were fixed in 3.7 wt % 

formaldehyde in PBS for 15mins at room temperature and rinsed (3x, 5mins each) with PBS. The 

cell membranes were further permeabilized by 1 % Triton-X solution in PBS at room temperature 

for 3 mins. The surfaces were then transferred to a new 24-well plate and incubated with 500 µl of 

rhodamine phalloidin solution in PBS for 25 min at room temperature. After 25 min, 0.2 µg/ml 

DAPI stain was added to each well and incubated for 5mins. The stain solution was gently 

aspirated and the substrates rinsed with PBS (2x). The surfaces were immediately imaged using a 

Zeiss Axiovision fluorescent microscope using appropriate filters. All images were then processed 

using ImageJ Software. 
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3.2.5 Scanning Electron Microscopy of Leukocytes 

Leukocyte adhesion was determined using scanning electron microscopy (SEM). After 

2hrs of incubation in plasma, substrates were fixed with a primary fixative (6% gluteraldehyde 

(Sigma), 0.1M sodium cacodylate (Polysciences), and 0.1M sucrose (Sigma)) for45 mins. The 

substrates were then transferred to a secondary fixative (primary fixative without gluteraldehyde) 

for 10mins. This was followed by exposing the substrates to consecutive solutions of ethanol (35%, 

50%, 70% and 100%) for 10mins each followed by a final incubation in 97% hexamethyldisilazane 

(HMDS for 10mins at room temperature). The substrates were then air-dried and stored in a 

desiccator until imaging by SEM. Prior to imaging, the surfaces were coated with a 10nm layer of 

gold and imaged at 5kV.  

 

3.2.6 Complement Activation on Different Surfaces  

Complement activation was assessed using an enzyme immunoassay (EIA, Quidel 

Corporation) to evaluate the expression of terminal complex, SC5b-9. The protocol provided by 

the manufacturer was followed. After 2hrs of incubation, the substrate-exposed plasma was diluted 

(1:10) in the assay diluent. The dilute plasma, standards and controls were transferred into pre-

washed and hydrated micro-assay wells and incubated for 60mins at room temperature. The 

plasma, standards and controls were then aspirated, and the wells were washed (5x) with wash 

buffer and incubated with SC5b-9 plus conjugate for 30mins at room temperature. The conjugate 

was then aspirated, and the wells were washed (4x) with the wash buffer and incubated with a 

TMB solution for 15mins at room temperature in a dark environment. The reaction was stopped 

by adding stop solution and the optical density was immediately measured using a plate reader at 

450nm. 
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3.3 Statistical Analysis  

A linear mixed model with a random intercept was fit to the data to compare treatment 

groups accounting for repeated measures of HA-LLDPE using the “lme4” package in the R open 

source statistical data software. Multiple comparisons of contact angles between treatments were 

analyzed using Tukey’s HSD post-hoc test using the “emmeans” package 

(https://cran.rproject.org/web/packages/emmeans/vignettes/comparisons.html). For the FTIR 

spectra, a log (x+1) transform of the peak area was used due to heavily skewed data and the 

presence of a zero for the virgin LLDPE. A linear mixed model and Tukey post-hoc test was also 

used for fitting.  All models used Satterthwaite denominator degrees of freedom for significance 

testing. 

Each qualitative experiment was performed to evaluate differences between PS, LLDPE 

and HA-LLDPE on at least three substrates. Each assay was repeated at least three times with three 

different whole blood plasma populations (n min = 9), except for ELISA’s that were performed on 

at least five surfaces (n min = 15). All results were evaluated using a one-way analysis of variance 

(ANOVA) with a Tukey’s, Bonferroni, and Scheffé post-hoc tests. Statistical significance was 

considered at p<0.05. 

 

3.4 Results and Discussion 

To address the drawbacks of polymeric based heart valves, a novel material for use as PHV 

leaflet was fabricated by forming an S-IPN of HMW- HA in LLDPE. By enhancing LLDPE with 

the HMW naturally occurring, hydrophilic, glycosaminoglycan, it is hypothesized that it will 

mitigate non-specific immune effects and enhance hemocompatibility. The aim of this study was 

to evaluate the non-specific immune response on the HA-LLDPE surface and compare it to that of 

https://cran.rproject.org/web/packages/emmeans/vignettes/comparisons.html
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the untreated LLDPE surface by assessing fibrinogen adsorption, leukocyte adhesion, and 

compliment activation.  

 

3.4.1 Fibrinogen Adsorption to HA-LLDPE Substrates  

Blood permeates all tissues of the body and assists in providing essential nutrients, 

maintaining homeostasis, and providing protective and healing mechanisms upon tissue injury. 

Under normal physiological conditions, blood remains in contact with the endothelial layer of heart 

valve leaflets and vasculature which contains anticoagulant tissue factors, inhibitors, and receptors 

that suppress the protective functions of blood until an injury occurs 28. Upon implantation of a 

medical heart valve, both an acute insult to the tissue in the region of implantation, and the 

introduction of a foreign body results in blood proteins being shuttled to the area as the primary 

host response. Plasma proteins operate as signaling mechanisms to cells in the host environment 

and form a bioactive surface on the implant for blood and immune cells to attach, governing the 

physiological response to the implant. Hemostasis and immune responses are intimately connected 

and thus must be described in conjunction with one another. Incompatible biomaterials exacerbate 

protein adhesion resulting in over-activation of host responses, thus the amount of plasma protein 

adhesion is an important indicator of a material’s biocompatibility 29.  

Although over three-hundred distinct proteins exist in plasma, three proteins dominate and 

regulate the healing response: albumin, immunoglobulin-G (IgG), and fibrinogen. Neither albumin 

nor IgG play major roles in the activation of the coagulation or immune response cascades. Rather, 

these proteins act as carriers of anticoagulant factors and subdue acute inflammation after initial 

contact with the exterior of the implant 30,31. Fibrinogen however does play a major role in the 

coagulation and immune response, forming hemostatic clots, facilitating the adhesion and 
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aggregation of platelets, and binding to the integrins of cells activated by the inflammatory system 

32. After adsorption on an implant surface, denaturation of fibrinogen promotes strong adherence 

to the implant surface thereby increasing the surface area to which platelets and leukocytes can 

bind. Platelets and leukocytes can co-activate, aggravating the host response. Previous studies have 

shown a strong correlation between the rate and amount of fibrinogen denaturation and the severity 

of inflammation 30,31,33,34.  

Gaining insight into the nature of fibrinogen adsorption to biomaterial surfaces is thus 

essential to ascertaining overall hemocompatibility. Fibrinogen binding on surfaces was 

determined by measuring the amount of un-bound fibrinogen in plasma after 2hrs of exposure to 

substrates. More fibrinogen was present in HA-LLDPE exposed plasma as compared to LLDPE 

indicating less fibrinogen binding on the HA-LLDPE surfaces; however, this was not statistically 

significant (See Fig. 3.4.1). Statistically significant differences however were seen between the PS 

group and that of LLDPE and HA-LLDPE.  

It is known that the molecular weight of HA significantly effects its interaction with various 

biochemical mechanisms. HA is found ubiquitously in uninjured tissue throughout the body as a 

high weight molecule (HMW-HA ~ 4000 kDa) and is known to be anti-inflammatory in this state 

35,36. Upon cell or tissue injury, HA production increases and HMW-HA is cleaved by 

hyaluronidases into low molecular weight HA (LMW-HA ~ 100-500 kDa). LMW-HA stimulates 

Toll-like receptors summoning the migration of inflammatory cells to the damaged tissue changing 

their conformation to expose binding sites for fibrinogen 35. In this study, HMW-HA was used, 

and thus the surfaces may exhibit a lower binding affinity towards fibrinogen resulting in fewer 

proclivities for inflammation, and binding of platelets and leukocytes. Further, blood proteins in 

general have been shown to bind at a higher concentration to hydrophobic over hydrophilic 
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surfaces, thus the hydrophilic nature of HA-LLDPE may also reduce overall protein adhesion 38. 

It is interesting to note that such a low amount of fibrinogen was discovered to be bound to virgin 

LLDPE surfaces as they present as hydrophobic interfaces. However, these results agree with those 

of Brash et al. who reported less fibrinogen binding to low-density polyethylene films than 

polystyrene substrates when immersed in water and protein solutions 37. However, it is important 

to understand that all biomaterial surfaces are unique unto themselves. Protein competition at one 

surface can vary greatly from that of others. Thus, further investigations of protein adsorption on 

these different substrates is required.  

 

 

Figure 3.4.1: Fibrinogen adsorption to HA-LLDPE surfaces was not statistically different from 
that of virgin LLDPE but was significantly different from PS (p ≤ .05) Results indicate greater 
free fibrinogen remained in plasma rather than adsorbed to LLDPE and HA-LLDPE surfaces. 
Experiments were replicated with at least three different human plasmas on at least five different 
samples (nmin = 15). A one-way ANOVA was performed. Average values and standard deviations 
are as follows: PS (av=182.031; st.dev=180.454); LLDPE (av=390.919; st. dev=73.623); HA-
LLDPE (av=429.804; st. dev=90.68). 
 

 

 

* 
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3.4.2 Leukocyte Adhesion to HA-LLDPE Substrates 

The bioactive protein layer on a material surface provides the foundation for 

coagulation/immune responses to take place; however, it is the binding and activation of cells to 

this film that are the key events in their stimulation. Adsorbed proteins are recognized by platelet 

and leukocyte receptors allowing them to bind, aggregate, activate, and spread across the 

biomaterial surface. Blood leukocytes consist of neutrophils and monocytes that differentiate into 

phagocytes and macrophages. However, when in contact with a biomaterial, size disparity between 

the surface of the material and the leukocyte means that the material is unable be engulfed by the 

cell. Instead leukocytes can only release their metabolites and enzymes in an attempt to degrade 

the biomaterial surface 7,28,39,40. Under normal conditions, the half-life of these leukocytes is very 

short (6-8hrs), but upon tissue injury it can be increased by several days 28. During activation, 

alterations in membrane receptor affinities occur and inflammatory mediators are released which 

act as chemo-attractants and activators for other leukocytes, increasing cell adhesion to surfaces, 

and activating platelets 28. Because medical devices specifically activate both platelet and 

leukocytes, it is important to understand how they adhere to and activate on biomaterial surfaces 

as greater adhesion and activation can lead to adverse physiological responses. 

Cellular adhesion was investigated by staining the cells with a rhodamine phalloidin 

cytoskeleton stain and a DAPI nucleus stain to identify adherent platelets and leukocytes. 

Activated platelets can bind to each other as well as interact with leukocytes, producing mixed 

aggregates. Platelet-leukocyte aggregation can be visualized using fluorescence microscopy. 

Rhodamine phalloidin stains the filamentous actin in the cytoskeleton which provides structure 

and locomotion to cells such as platelets and leukocytes whereas DAPI stains the nuclei in 

leukocytes. As platelets are anuclear this co-stain then allows for the discernment between the 
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leukocytes and platelets which have adhered to the surface. Results indicate lower cell adhesion 

and minimal platelet aggregation on HA-LLDPE surfaces as compared to LLDPE and PS surfaces 

(Figure 3.4.2). Further, the results also indicate lower leukocyte adhesion on HA-LLDPE surfaces 

as compared to LLDPE and PS surfaces. Since leukocytes are known co-activators of platelets, 

these results reinforce previous investigations noting lower platelet activation on the surface. both 

protein and cellular adhesion to biomaterials and attenuate the the non-specific immune response 

when exposed to whole blood or plasma 41,42. Furthermore, leukocytes bind readily to fibrinogen. 

It has been demonstrated that leukocytes recognize fibrinogen as fibrin instigating inflammatory 

responses 14. Thus, the low levels of fibrinogen to HA-LLDPE and LLDPE surfaces may account 

for the reduced number of leukocytes present on surfaces. 

 

 

Figure 3.4.2 (a): Quantification of leukocyte adhesion through DAPI counting reveals 
significantly less cellular adhesion to HA-LLPDE surfaces compared to PS. Lower leukocyte 
adhesion is found as compared to LLDPE but results were not significant. Experiments were 
replicated with at least three different cell populations on at least three different samples (nmin = 
9). A one-way ANOVA was performed. Average values and standard deviations are as follows: 
PS (av=.589; st.dev=.214); LLDPE (av=.277; st.dev=1.43); HA-LLDPE (av=.130; st.dev=.092)  
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Figure 3.4.2 (b): Representative images of leukocyte staining demonstrating lower adhesion to 
HA-LLDPE surfaces. Experiments were replicated with at least three different cell populations on 
at least three different samples (nmin = 9). 
 

3.4.3 Scanning Electron Microscopy 

To confirm results of fluorescent imaging SEM was performed on substrates to visualize 

leukocyte adhesion. SEM imaging reinforced both fluorescent imaging results discussed above as 

well as those previously performed for platelet activation studies. Greater cell adhesion was noted 

on PS and LLDPE surfaced that HA-LLDPE. While some leukocyte adhesion was noted on 

LLDPE there was less observed than on PS surfaces. Again, this may be due to the lack of 

fibrinogen binding to LLDPE surfaces. Platelets which adhered to both PS and LLDPE exhibited 

less platelet adhesion as visualized in study results reported in Chapter 2: Section 2.4.6. HA-

LLDPE surfaces followed previously observed trends. Less cellular adhesion was detected as well 

as less platelet activation. Very few leukocytes were found attached to HA-LLDPE surfaces. 
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Figure 3.4.3: Representative SEM images of leukocyte adhesion on substrate surfaces. HA-
LLDPE surfaces reduce leukocyte adhesion compared to PS and LLDPE. 
 

3.3.4 Complement Activation on HA-LLDPE Surfaces 

Hemocompatibility of biomaterials is mostly studied in terms of platelet and leukocyte 

aggregation and activation, although biomaterials are also known agonists of the complement 

system which can act as a precursor to platelet and leukocyte stimulation 28. The complement 

system is considered part of the immune response and assists antibodies and phagocytic cells in 

the removal of pathogens. When in contact with a biomaterial, complement activation is mostly 

triggered by the alternative pathway with the proteins C3 and C5 being its most critical 

components. However, some research has implicated that the classical pathway may also be 

involved 28,43. 

To investigate the effect of HA-LLDPE on complement activation, an enzyme 

immunoassay was used to determine the expression of the terminal complex, SC5b-9. SC5b-9 is 

formed by the solubilization of proteins known as the terminal complement complex, a final step 

in the activation of the alternative pathway. The results indicate no significant differences in SC5b-

9 expression on all the surfaces (Figure 3.3.4). This may be attributed to the base materials 
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themselves, as LLDPE and PS are both known to be weak activators of the complement system 

5,44. Furthermore, HA is known to be anti-complementary. Some studies have found that 

hyaluronan binding protein 1, a hyaladherin implicated in cellular signaling and adhesion can bind 

to the globular heads of the C1q molecule effectively inhibiting C1 and thereby mitigating 

complement cascade activation 45,46. 

 

 

Figure 3.3.4: Complement activation measured by the amount of SC5b-9 activation on different 
surfaces after 2hrs of incubation in human plasma. The results indicate no significant difference in 
the level of complement activation. Experiments were replicated with at least three different 
human plasma on at least five different samples (nmin = 15). A one-way ANOVA was performed. 
Average values and standard deviation are as follows: PS (av=21.265; st.dev=2.261); LLDPE 
(av=18.567; st.dev=1.587); HA-LLDPE(av=17.76; st.dev=1.632). 
 

3.3.5 Conclusions 

PHV technology requires the development of materials which will not only attenuate the 

coagulation cascade, but that of the immune response as well. Fibrinogen binding, leukocyte 

adhesion and complement system activation can all lead to exacerbated material induced non-

specific immune responses. To determine how HA-LLDPE surface affect each of these 
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mechanisms fibrinogen and complement assays as well as fluorescent microscopy was performed. 

Results of this study indicated a reduction in fibrinogen binding on the HA-LLDPE surface as 

compared to control surfaces which may assist in reducing overall cellular adhesion; however, 

fibrinogen adsorption results were not significantly different between virgin LLDPE and HA-

LLDPE. They were significantly different from PS however, demonstrating a lower affinity for 

fibrinogen binding. The reduction in platelet and leukocyte adhesion noted in the cellular studies 

is more likely due to the increased hydrophilicity of the HA-LLDPE material as compared to 

LLDPE, but further investigation is required. Because HA-LLDPE substrates showed a significant 

difference in leukocyte and platelet adhesion as well as anti-complementary effects it is asserted 

that HA-LLDPE surfaces may provide a beneficial material to help reduce immune response 

effects if used for the development of PHV technology. While these results may not be clinically 

significant they offer some depth in understanding how these materials may work in vivo. 

 

  



 

136 

 

REFERENCES: 
 
 
 

1.  Vongpatanasin W, Hillis LD, Lange RA. Prosthetic heart valves: A Review. New Engl J 

Med. 1996;335(6):407-416. 

2.  Pibarot P, Dumesnil JG. Prosthetic heart valves: Selection of the optimal prosthesis and 

long-term management. Circulation. 2009;119(7):1034-1048. 

doi:10.1161/CIRCULATIONAHA.108.778886 

3.  Grunkemeier JM, Tsai WB, Horbett TA. Hemocompatibility of treated polystyrene 

substrates: Contact activation, platelet adhesion, and procoagulant activity of adherent platelets. 

In: Journal of Biomedical Materials Research. Vol 41. ; 1998:657-670. doi:10.1002/(SICI)1097-

4636(19980915)41:4<657::AID-JBM18>3.0.CO;2-B 

4.  Fujimoto K, Tadokoro H, Ueda Y, Ikada Y. Polyurethane surface modification by graft 

polymerization of acrylamide for reduced protein adsorption and platelet adhesion. Biomaterials. 

1993;14(6):442-448. doi:10.1016/0142-9612(93)90147-T 

5.  Engberg AE, Rosengren-Holmberg JP, Chen H, et al. Blood protein-polymer adsorption: 

Implications for understanding complement-mediated hemoincompatibility. J Biomed Mater Res 

- Part A. 2011;97 A(1):74-84. doi:10.1002/jbm.a.33030 

6.  Al-Maawi S, Orlowska A, Sader R, James Kirkpatrick C, Ghanaati S. In vivo cellular 

reactions to different biomaterials—Physiological and pathological aspects and their 

consequences. Semin Immunol. 2017. doi:10.1016/j.smim.2017.06.001 

7.  Anderson JM, Rodriguez A, Chang DT. Foreign body reaction to biomaterials. Semin 

Immunol. 2008. doi:10.1016/j.smim.2007.11.004 

8.  Hlady V, Buijs J. Protein adsorption on solid surfaces. Curr Opin Biotechnol. 



 

137 

 

1996;7(1):72-77. doi:10.1016/S0958-1669(96)80098-X 

9.  Ito E, Suzuki K, Yamato M, Yokoyama M, Sakurai Y, Okano T. Active platelet movements 

on hydrophobic/hydrophilic microdomain- structured surfaces. J Biomed Mater Res. 

1998;42(1):148-155. doi:10.1002/(SICI)1097-4636(199810)42:1<148::AID-JBM18>3.0.CO;2-H 

10.  Lee JH, Khang G, Lee JW, Lee HB. Platelet adhesion onto chargeable functional group 

gradient surfaces. J Biomed Mater Res. 1998;40(2):180-186. doi:10.1002/(SICI)1097-

4636(199805)40:2<180::AID-JBM2>3.0.CO;2-H [pii] 

11.  Lee J, Khang G, Lee J, Lee H. Interaction of Different Types of Cells on Polymer Surfaces 

with Wettability Gradient. J Colloid Interface Sci. 1998;205(2):323-330. 

doi:10.1006/jcis.1998.5688 

12.  Lee JH, Lee HB. Platelet adhesion onto wettability gradient surfaces in the absence and 

presence of plasma proteins. In: Journal of Biomedical Materials Research. Vol 41. ; 1998:304-

311. doi:10.1002/(SICI)1097-4636(199808)41:2<304::AID-JBM16>3.0.CO;2-K 

13.  Stroncek JD, Reichert WM. Overview of Wound Healing in Different Tissue Types. In: 

Indwelling Neural Implants: Strategies for Contending with the In Vivo Environment. ; 2007:3-33. 

doi:NBK3938 [bookaccession] 

14.  Franz S, Rammelt S, Scharnweber D, Simon JC. Immune responses to implants - A review 

of the implications for the design of immunomodulatory biomaterials. Biomaterials. 2011. 

doi:10.1016/j.biomaterials.2011.05.078 

15.  Fioretta ES, Dijkman PE, Emmert MY, Hoerstrup SP. The future of heart valve 

replacement: recent developments and translational challenges for heart valve tissue engineering. 

J Tissue Eng Regen Med. 2016. doi:10.1002/term.2326 

16.  Fraser JR, Laurent TC, Laurent UB. Hyaluronan: its nature, distribution, functions and 



 

138 

 

turnover. J Intern Med. 1997;242:27-33. doi:10.1046/j.1365-2796.1997.00170.x 

17.  Laurent TC, Fraser JR. Hyaluronan. FASEB J. 1992;6(7):2397-2404. doi:10.1016/S0140-

6736(01)35637-4 

18.  Esposito E, Menegatti E, Cortesi R. Hyaluronan-based microspheres as tools for drug 

delivery: A comparative study. Int J Pharm. 2005;288(1):35-49. 

doi:10.1016/j.ijpharm.2004.09.001 

19.  Vorpahl M, Nakano M, Acampado E, et al. Early maturation of endothelialisation on 

hyaluronan-coated stents in a rabbit model of ilio-femoral artery stenting. EuroIntervention. 2010. 

20.  Wu X, Zhao Y, Tang C, et al. Re-Endothelialization Study on Endovascular Stents Seeded 

by Endothelial Cells through Up- or Downregulation of VEGF. ACS Appl Mater Interfaces. 2016. 

doi:10.1021/acsami.6b00152 

21.  Chuang TW, Masters KS. Regulation of polyurethane hemocompatibility and 

endothelialization by tethered hyaluronic acid oligosaccharides. Biomaterials. 2009;30(29):5341-

5351. doi:10.1016/j.biomaterials.2009.06.029 

22.  Gong F, Lu Y, Guo H, Cheng S, Gao Y. Hyaluronan immobilized polyurethane as a blood 

contacting material. Int J Polym Sci. 2010;2010. doi:10.1155/2010/807935 

23.  Thierry B, Winnik FM, Merhi Y, Griesser HJ, Tabrizian M. Biomimetic hemocompatible 

coatings through immobilization of hyaluronan derivatives on metal surfaces. Langmuir. 

2008;24(20):11834-11841. doi:10.1021/la801359w 

24.  Pitt WG, Morris RN, Mason ML, Hall MW, Luo Y, Prestwich GD. Attachment of 

hyaluronan to metallic surfaces. J Biomed Mater Res A. 2004;68(1):95-106. 

doi:10.1002/jbm.a.10170 

25.  Prawel DA, Dean H, Forleo M, et al. Hemocompatibility and Hemodynamics of Novel 



 

139 

 

Hyaluronan-Polyethylene Materials for Flexible Heart Valve Leaflets. Cardiovasc Eng Technol. 

2014;5(1):70-81. doi:10.1007/s13239-013-0171-5 

26.  Simon-Walker R, Cavicchia J, Prawel DA, Dasi LP, James SP, Popat KC. 

Hemocompatibility of hyaluronan enhanced linear low density polyethylene for blood contacting 

applications. J Biomed Mater Res - Part B Appl Biomater. 2018;106(5). doi:10.1002/jbm.b.34010 

27.  Simon-Walker R, Cavicchia J, Prawel DA, Dasi LP, James SP, Popat KC. 

Hemocompatibility of hyaluronan enhanced linear low density polyethylene for blood contacting 

applications. J Biomed Mater Res Part B Appl Biomater. September 2017. 

doi:10.1002/jbm.b.34010 

28.  Gorbet MB, Sefton M V. Biomaterial-associated thrombosis: Roles of coagulation factors, 

complement, platelets and leukocytes. In: The Biomaterials: Silver Jubilee Compendium. ; 

2006:219-241. doi:10.1016/B978-008045154-1.50025-3 

29.  Peerschke EI, Ghebrehiwet B. Platelet receptors for the complement component C1q: 

implications for hemostasis and thrombosis. Immunobiology. 1998;199(2):239-249. 

doi:10.1016/S0171-2985(98)80030-2 

30.  Tang L, Eaton JW. Inflammatory responses to biomaterials. Am J Clin Pathol. 

1995;103(4):466-471. 

31.  Tang L, Lucas  a H, Eaton JW. Inflammatory responses to implanted polymeric 

biomaterials: role of surface-adsorbed immunoglobulin G. J Lab Clin Med. 1993;122(3):292-300. 

doi:0022-2143(93)90076-B [pii] 

32.  Ryu JK, Davalos D, Akassoglou K. Fibrinogen signal transduction in the nervous system. 

J Thromb Haemost. 2009;7(SUPPL. 1):151-154. doi:10.1111/j.1538-7836.2009.03438.x 

33.  Rubens F, Brash J, Weitz J, Kinlough-Rathbone R. Interactions of thermally denatured 



 

140 

 

fibrinogen on polyethylene with plasma proteins and platelets. J Biomed Mater Res. 

1992;26(12):1651-1663. doi:10.1002/jbm.820261209 

34.  Skarja GA, Brash JL, Bishop P, Woodhouse KA. Protein and platelet interactions with 

thermally denatured fibrinogen and cross-linked fibrin coated surfaces. Biomaterials. 

1998;19(23):2129-2138. doi:10.1016/S0142-9612(98)00045-3 

35.  Bonafè F, Govoni M, Giordano E, Caldarera CM, Guarnieri C, Muscari C. Hyaluronan and 

cardiac regeneration. J Biomed Sci. 2014;21(1). doi:10.1186/s12929-014-0100-4 

36.  Ruppert SM, Hawn TR, Arrigoni A, Wight TN, Bollyky PL. Tissue integrity signals 

communicated by highmolecular weight hyaluronan and the resolution of inflammation. Immunol 

Res. 2014. doi:10.1007/s12026-014-8495-2 

37.  Brash JL, Lyman DJ. Adsorption of plasma proteins in solution to uncharged, hydrophobic 

polymer surfaces. J Biomed Mater Res. 1969. doi:10.1002/jbm.820030114 

38.  Eriksson C, Nygren H. Polymorphonuclear leukocytes in coagulating whole blood 

recognize hydrophilic and hydrophobic titanium surfaces by different adhesion receptors and show 

different patterns of receptor expression. J Lab Clin Med. 2001. doi:10.1067/mlc.2001.114066 

39.  Henson PM. Mechanisms of exocytosis in phagocytic inflammatory cells. Parke-Davis 

Award Lecture. Am J Pathol. 1980;101(3):494-511. 

40.  Henson PM. The immunologic release of constituents from neutrophil leukocytes. II. 

Mechanisms of release during phagocytosis, and adherence to nonphagocytosable surfaces. J 

Immunol. 1971;107:1547-1557. 

41.  Li B, Xie J, Yuan Z, et al. Mitigation of Inflammatory Immune Responses with Hydrophilic 

Nanoparticles. Angew Chemie - Int Ed. 2018. doi:10.1002/anie.201710068 

42.  Dai X, Wei Y, Zhang X, et al. Attenuating Immune Response of Macrophage by Enhancing 



 

141 

 

Hydrophilicity of Ti Surface. J Nanomater. 2015. doi:10.1155/2015/712810 

43.  Gretzer C, Gisselfält K, Liljensten E, Rydén L, Thomsen P. Adhesion, apoptosis and 

cytokine release of human mononuclear cells cultured on degradable poly(urethane urea), 

polystyrene and titanium in vitro. Biomaterials. 2003;24(17):2843-2852. doi:10.1016/S0142-

9612(03)00097-8 

44.  Roch T, Krüger A, Kratz K, Ma N, Jung F, Lendlein A. Immunological evaluation of 

polystyrene and poly(ether imide) cell culture inserts with different roughness. Clin Hemorheol 

Microcirc. 2012;52(2-4):375-389. doi:10.3233/CH-2012-1612 

45.  Jiang D, Liang J, Noble PW. Hyaluronan as an immune regulator in human diseases. 

Physiol Rev. 2011;91(1):221-264. doi:10.1152/physrev.00052.2009 

46.  Sengupta A, Banerjee B, Tyagi RK, Datta K. Golgi localization and dynamics of 

hyaluronan binding protein 1 (HABP1/p32/C1QBP) during the cell cycle. Cell Res. 

2005;15(3):183-186. doi:10.1038/sj.cr.7290284 



 

142 

 

CHAPTER 4 
 
 
 

ENDOTHELIAL CELL INTERACTIONS WITH HYALURONAN ENHANCED LINEAR 

LOW-DENSITY POLYETHYLENE 

 
 
 

4.1 Introduction 

4.1.1 The Properties of Hyaluronan Modulate Cellular Interactions 

Hyaluronan (HA) is a highly biocompatible, non-immunogenic, mucopolysaccharide 

found ubiquitously in the connective tissue of higher order animals. It is especially abundant in the 

synovial fluids, ocular viscera, and the apical surface of endothelium 1–5. An essential component 

of the cardiovascular system,  it is crucial to embryonic cardiac development, the facilitation of 

wound healing, tissue regeneration, repair, and angiogenesis 1–3.  The architecture of the polymer 

consists of secured parallel hydrogen bonds running the length of the chain axis rendering an 

inflexible helix 1. The tightly coiled configuration allows it to mechanically trap up to one-hundred 

times its weight in water drawn in through the osmotic imbalance resulting from its high anionicity 

2,3,6,7. The result is an exceedingly hydrophilic biomolecule.  

Native HA exists as high molecular weight (HMW) chains which are cleaved in the presence of 

hyaluronidases located in the extracellular matrix and in platelet bodies 8,9. HA depolymerization 

increases bioactivity, promoting interaction with blood plasma constituents and other 

biomolecules present in the coagulation and immune response cascades. Due to its high anionicity 

and ability to modulate physiological processes through chain length, HA is capable of both 

enhancing cellular responses such as attachment and proliferation of cells, and reducing blood 

protein adsorption and cellular adhesion to biomaterial surfaces 1,2,10–13. Furthermore, HA can be 
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cross-linked to itself and other materials and has an easily controlled degradation profile 3. These 

qualities have made it particularly appealing as a target molecule for modification of 

cardiovascular biomaterials, and is currently being assessed for its usability in stents, heart-valve 

leaflets, drug-delivery hydrogels, scaffolds, and surrogate tissue designs among other applications 

3,10,14,15. 

 

Figure 4.1.1: Structure of hyaluronan. Reprinted with Permission © North American Journal of 
Medical Sciences 16. 
 

4.1.2 Endothelialization of Heart Valves 

Endothelialization of cardiovascular biomaterials is considered the gold standard for 

achieving optimal hemocompatibility in vivo. Endothelialization subdues the attachment and 

activation of platelets and macrophage, reducing the risk of thrombosis, and can increase the 
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release of functional groups which support cellular proliferation 17–23. Because of this 

endothelialization of heart valve leaflets has been explored as an alternative to mechanical heart 

valves which are thrombotic due to their rigid leaflet design and tissue-based valves which are 

prone to calcification and degradation 24–26. Approaches to endothelialized heart valves include 

seeding of base materials and subsequent conditioning in  a bioreactor prior to implantation, and 

in situ population of constructs by progenitor cells  (See Fig. 4.1.2) 27–29.  

However, this achievement has proven to be quite difficult. Endothelialization of 

biomaterials increases the complexity and cost of fabrication 30. To be effective, biomaterials must 

support a mono-layer of mature, quiescent endothelium. Implants pre-seeded with endothelial cells 

to support the native processes of transanastomotic and transmural growth, and the attachment of 

endothelial cells, utilize autologous isolation and ex vivo expansion acquired through biopsy of 

vascular tissue, or progenitor isolation from the patient’s own blood 30,31. In addition, polymers 

used to promote the growth and proliferation of endothelium often require modification to ensure 

compatible compliance, reduce mechanical mismatch, modulate the behavior of cells, control 

protein deposition, and eliminate denuding under sheer stress 30. If vascularization with the 

biomaterial is desired this dramatically increases the difficulty in engineering required 32–35. Due 

to the vast array of complications that have arisen in endothelializing heart valves, the success of 

this technology has been limited 36–38. Current approaches have turned to in situ endothelialization 

attempting to promote endothelial migration from other local tissue or the attachment of 

endothelial progenitor cells from the patient’s blood 31.  Thus, mitigating the need for complex 

fabrication processes, and developing a simple interface that reduces protein, platelet, and cellular 

adhesion but still presents a biocompatible surface to the physiology can offer a cost-effective 

alternative. 
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Figure 4.1.2: Example of endothelialization of heart valves using in situ approach on a 
bioresorbable elastomeric implant. Reproduced with permission Elsevier ©. 
 

4.1.3 HMW-HA-LLDPE to Mitigate Endothelial Adhesion 

In this study, we investigate the effects of HWW-HA enhanced linear low-density 

polyethylene (HA-LLDPE) on endothelial adhesion and proliferation. The hydrophilicity of 

HMW-HA is known to prohibit the adsorption of proteins to surfaces, limiting platelet interactions 

essential to endothelial attachment, migration, and proliferation. In addition, the molecular weight 

of the HA used to fabricate HA-LLDPE is anticipated to reduce proliferation, and cell growth 

10,11,14,15 . HA-LLDPE has been previously shown to reduce blood constituent adhesion and to be 

biocompatible and hemocompatible 15,39. Assessments include lactate dehydrogenase (LDH) 

assaying of cells after substrate exposure, scanning electron microscopy (SEM), rhodamine 

phalloidin (actin) and DAPI fluorescent staining to visualize cellular attachment, Alamar Blue 

viability investigations, and CD-31 and VEG-F protein stains to assess phenotype. 
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4.2 Methods 

4.2.1 Human Umbilical Vein Endothelial Cell Culture 

Human umbilical vein endothelial cells (HUVEC, Millipore Sigma) were removed from 

nitrogen storage and immediately thawed in a 37℃ water bath. Media 199 (M199; Invitrogen) was 

used to dilute the cells and freeze media before centrifugation at 100g for 10 min to isolate the cell 

pellet. The supernatant was then gently aspirated followed by re-suspension of the cell pellet in 

M199. HUVECs were then plated in a T-75 tissue culturing flask at a density of 1 x 106 cells/flask.  

At 70% confluency HUVECs were disassociated using Trypsin/EDTA (Sigma) and seeded onto 

substrates at 10,000 cells/𝑐𝑚2. 

 

4.2.2 Porcine Aortic Valve Endothelial Cell Culture  

Fresh porcine hearts were harvested from a local abattoir. The aortic root was excised 

aseptically. The aortic heart valve leaflets were then removed and placed in a 15 ml conical tube 

filled with PBS and gently oscillated on a shaker plate at 200rpm for 5min to remove any 

residual blood components. The heart valve leaflets were then transferred to a 15ml conical tube 

(3 leaflets/tube) filled with collagenase type II (Thermofisher) and placed on a shaker plate set at 

200rpm in a 37℃ incubator for 45min. After shaking, the tubes were centrifuged at 1000 rpm for 

5min to isolate the cell pellet. The supernatant was aspirated off and 10ml of porcine endothelial 

cell media (Cell Applications Inc.; Sigma Aldrich) was added to the tube while pipetting up and 

down to resuspend the cell pellet. Cells were counted and plated at a density of 1 x 106 cells per 

T-75 flask which had been pre-coated with rat-tail collagen. At 70 % confluency cells were 

seeded onto samples at a density of 25,000 cells/8𝑐𝑚2. 
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4.2.3 Progenitor Endothelial Cell Culture 

Whole human blood was isolated via phlebotomy from volunteers who had refrained from 

taking thromboxane inhibitors for at least two weeks. Blood was collected in sodium heparin tubes 

(BD Vacutainer) and placed immediately on ice. It should be noted that blood was used within 

2hrs of collection. Lymphoprep (Axis-shield; Proteogenix) was warmed to room temperature and 

distributed in 50ml conical tubes at a volume of 15ml per tube. 30ml of blood from sodium heparin 

tubes was gently layered over Lymphoprep with a pipette on a gravity setting to ensure that blood 

and Lymphoprep did not mix. The tubes were then centrifuged at 800 x g for 30min. Peripheral 

blood cells were then removed from the conical tubes and placed in a new 50ml conical tubes with 

a solution of 6% FBS in PBS until a volume of 50ml was obtained. The tubes were then centrifuged 

for 10min at 350 x g at ambient temperature. The supernatant was aspirated, and the cell pellet 

resuspended in human endothelial cell growth media (EGM-2; Cell Applications; Sigma Aldrich). 

Cells were plated at a density of 1 x 106 cells in a T-75 flask which had been pre-coated with 

fibronectin.   

 

4.2.4 Lactate Dehydrogenase Release  

A commercially available lactate dehydrogenase assay (LDH) was used to assess any 

cytotoxicity of different substrates on HUVECs. The protocol provided by the manufacturer was 

used (Pierce Biotechnology). In brief, a reaction mix was prepared by combining a substrate 

mixture (lyophilizate and ultrapure water) with an assay buffer provided by the manufacturer. The 

substrates were seeded with cells 24hrs prior to application of the LDH assay protocol, including 

a positive control group of lysis buffer added to a set of substrates to ensure maximal lysing of 

HUVECs and a negative control of HEPES buff. After incubation, 50µl of substrate media was 
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transferred to a 96 well plate. Fifty µl of reaction mix was then added to the media and mixed 

gently by tapping. Substrates were then incubated for 30min in a dark hood. After 30min 

absorbance was read at 490nm and 680nm on a spectrophotometer. 

 

4.2.5 Cellular Visualization 

Cells (either HUVECs or VECs) were seeded onto substrates at a density of 10,000 

cells/cm2 (HUVECs) or 25,0000 cells/cm2  (VECs) and allowed to grow for 24hrs and 7 days. 

After the prescribed time length of cell growth on substrates, the surfaces were stained with 

rhodamine phalloidin cytoskeleton stain (actin; Cytoskeleton) and 4’6-diamidino-2-

phenylindoledihydrochloride nucleus stain (DAPI, Thermo-Scientific) to visualize cellular 

attachment. Any un-adhered cells were gently aspirated, and the surfaces were washed with PBS 

(2x).  The adherent cells were fixed in 3.7 wt % formaldehyde in PBS for 15mins at room 

temperature and rinsed (3x, 5mins each) with PBS. The cell membranes were further 

permeabilized by 1 % Triton-X solution in PBS at room temperature for 3mins. The surfaces were 

then transferred to a new 24-well plate and incubated with 500µl of rhodamine phalloidin solution 

in PBS for 25mins at room temperature. After 25mins, 0.2g/ml DAPI stain was added to each 

well and incubated for 5mins. The stain solution was gently aspirated, and the surfaces rinsed with 

PBS (2x). The surfaces were immediately imaged using a Zeiss Axiovision fluorescent microscope 

using appropriate filters. All images were processed using ImageJ Software. 
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4.2.6 Scanning Electron Microscopy 

Scanning electron microscopy (SEM) was used to visualize HUVEC attachment and 

morphology on HA substrates. After 24hrs and 7 days of cell growth, the substrates were gently 

rinsed twice with PBS, fixed, and dehydrated. The fixation process included 45 mins of incubation 

in a primary fixative of 6% glutaraldehyde (Sigma), 0.1M sodium cacodylate (Polysciences), and 

0.1M sucrose (Sigma) in DI water. Afterwards, substrates were transferred to a buffer solution 

(primary fixative without glutaraldehyde) for 10mins. This was followed by incubating the 

substrates in consecutive solutions of ethanol (35%, 50%, 70% and 100%) for 10mins each to 

remove any excess water. Substrates were then stored in a desiccator until imaging. Prior to SEM 

visualization, the substrates were coated with 10nm layer of gold and imaged at 5 kV. 

 

4.2.7 AlamarBlue Assaying 

After 24 hrs and 7 days of cell growth on substrates media was gently aspirated from the 

well plates and fresh media was added to each well. AlamarBlue was added at 10% of the media 

volume as called for in the protocol (Thermo-Scientific). Substrates were allowed to incubate for 

up 8 hrs. After incubation 100 ul of media+alamarBlue was removed and transferred to a 96 well 

plate. Absorbance was read at 570nm and 600 nm on a spectrophotometer. 

 

4.2.8 Protein expression 

Protein expression and cellular adhesion was visualized using fluorescent imaging after 7 

days of cell growth upon substrate surfaces. Cell media was gently aspirated and rinsed with PBS 

to remove non-adherent cells. Substrates were then transferred to a new 24 well plate. Cells were 

subsequently fixed with 3.7% w/v formaldehyde in PBS for 15min at room temperature and then 
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washed in PBS (3x).  Immediately following, substrates were incubated with 1% bovine serum 

albumin (BSA) and 22.52 mg/mL glycine in PBST (PBS+ 0.1% Tween 20) for 30min to block 

unspecific binding of the antibodies. Cells were then incubated in diluted antibody (1:50 dilution 

in PBS; Anti-CD31 (rabbit polyclonal to CD-31; Abcam) or Anti-VEG-F (rabbit polyclonal to 

VEG-F; Abcam) in 1% BSA for 1hr at ambient temperature. Following incubation, the solution 

was decanted, and the cells were again washed (3x) in PBS for 5min. The cells were then incubated 

with the secondary antibody solution (Goat Anti-Rabbit IgG H&L (Alexa Fluor® 488, Abcam) in 

1% BSA diluted in PBS (1:1000) for 1hr at room temperature in the dark. The secondary antibody 

solution was then decanted, and the cells were washed again for five minutes with PBS (3x) in the 

dark. Lastly, a DAPI nucleus stain was applied. Samples were then visualized using a Zeiss 

Axiovision fluorescent microscope.  

 

4.2.9 Statistical Analysis  

Each qualitative experiment was performed to evaluate differences between PS, LLDPE 

and HA-LLDPE on at least three substrates (nmin = 9), except for ELISA’s which were performed 

on at least five substrate surfaces per group (nmin = 15).  Each assay was repeated at least three 

times with three different whole blood plasma populations. All results were evaluated using a one-

way analysis of variance (ANOVA) with a Tukey’s, Bonferonni, and Scheffé post-hoc tests.  

 

4.3 Results and Discussion 

4.3.1 LDH Results after Endothelial Exposure to Different Surfaces 

Endothelialization of biomaterials is generally considered the gold standard for which 

blood contacting material surfaces aspire, however achieving endothelialized biomaterial surfaces 
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that perform as well as the native endothelium is still a major challenge 40  . A cardiovascular 

biomaterial surface that mitigates endothelial attachment, is compatible with the blood and 

surrounding tissues, can beneficially modulate the body’s natural healing mechanisms, reduce 

production costs, and increase ease of fabrication etc. would offer a compelling alternative to 

current biomaterials. Previously, we assessed the hemocompatibility of blood components to HA-

LLDPE surfaces 13,15. It was determined that HA-LLDPE was non-toxic to blood constituents and 

reduced platelet and leukocyte adhesion and activation. In this investigation we look at the ability 

of HA-LLDPE to mitigate endothelial cell attachment, modulate morphology, and support 

phenotype. 

 It was of primary important to ensure that HA-LLDPE surfaces were non-toxic to 

endothelial cells so that any observed reduction in cellular attachment was not due to cytotoxic 

effects. To this end, an LDH assay was performed. LDH is an enzyme present within all cells. 

Because it is released during tissue damage it is commonly used as a marker for cell death and 

systemic injury 41–44.  Upon encountering a toxic substance, cellular necrosis is induced 

accompanied by the swelling of organelles and increases in LDH. This results in cell lysis and the 

spilling of internal contents into the extracellular milieu. LDH can then be assayed to determine 

the magnitude of cell death. In this study Triton-X was used at the negative control representing 

maximal lysis of HUVECs. HEPES buffer was used for the positive control as it maintains a 

physiological pH and is non-toxic to cells 45.  Results indicate that virgin LLDPE used as the base 

material for HA-LLDPE and HA-LLDPE are both non-toxic to HUVECs as there were no 

significant differences between the LDH expression of these and that of HEPES buffer (See Fig. 

4.3.1.). These results are supported by previous evidence noting that LLDPE and  HA-LLDPE 

were non-toxic to platelets 15,39.  
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Figure 4.31: LDH assaying demonstrates low-toxicity of LLDPE and HA-LLDPE as compared 
to the maximal lysis Triton-X group p≤.05. In addition, LLDPE and HA-LLDPE displayed no 
significant differences from HEPES buffer which is widely used in cell culturing. Experiments 
were replicated with at least three different cell populations on at least five different samples (nmin 
= 9). A one-way ANOVA was performed. Average values and standard deviations are as follows: 
Triton-X(av=1.452; st.dev=.564); HEPES Buffer(av=.789; st.dev=.354); LLDPE(av=.826; 
st.dev=.312); HA-LLDPE(av=.953; st.dev=.421). 
 

4.3.2 HUVEC Adhesion Results Using Flourescent Imaging 

To determine if HUVEC adhesion was mitigated on HA-LLDPE surfaces, actin/DAPI 

fluorescent co-staining were used to visualize and quantify cellular attachment. Rhodamine 

phalloidin is a fluorescent probe that assists in visualizing the F-actin filaments of cell bodies. 

Used in conjunction with the nuclear stain DAPI, it can be used to qualitatively assess the amount 

of cellular adhesion to surfaces as well as give information concerning the morphology of cells. 

Cell staining was applied after 24 hours and 7 days of cell growth upon sample substrates (See 

Fig. 4.3.2a.). DAPI counting was used to quantify the number of HUVECs present on the substrate 

surfaces. Results demonstrate that HA-LLDPE surfaces significantly reduced endothelial 

attachment by 52.1% compared to virgin LLDPE (p≤ .05) and 63.2% compared to PS (p≤ .05) 

after 7 days of cell growth. No significant differences were seen between PS and LLDPE groups 
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(See Fig 4.2.3b.) Actin/DAPI staining indicated that LLDPE surfaces resulted in agglomerates of 

HUVECS, likely due to the hydrophobicity of the polymer, an interaction commonly seen on 

surfaces with high contact angles 46–50. HUVECS on the surface of HA-LLDPE demonstrated 

cellular spreading and elongation of the cell body of the few cells that did attach, but proliferation 

and cell growth were greatly mitigated. Similar results have been noted by previous groups as the 

retention of water in hydrophilic materials greatly reduced the amount of proteins that can be 

adsorbed which facilitate cell adhesion 46–49.  It should also be considered that these investigations 

were performed under static conditions, so the amount of cellular attachment will be at the upper 

limit as compared to what may be noted under flow conditions. 

 

4.3.3 Porcine Aortic Valve Endothelial Adhesion to Different Surfaces 

While HUVECs are the standard endothelial model used in most biomaterial endothelial 

investigations, there has been some question as to whether this model is the best to be used in most 

instances of endothelial research 37. In vivo HUVECs are exposed to higher concentrations of 

oxygen which can affect cellular functioning. Thus, subsequent investigation of cellular adhesion 

sought to consider porcine valvular endothelial cells (VECs) upon substrate surfaces to address the 

more specific application of using HA-LLDPE for heart valve leaflet applications.  Results 

utilizing VECs were found to be similar to those using HUVECs on substrate surfaces.   
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Figure 4.3.2a: Representative images of actin and DAPI staining demonstrating the amount of 
HUVEC attachment to surfaces after t=24 hrs and t=7 days. Results indicate less adhesion is 
displayed on HA surfaces as compared to PS and LLDPE. Images were taken at a magnification 
of 10x. 
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Figure 4.3.2b: Live cell DAPI staining indicates less adhesion displayed on HA surfaces at 7 days 
as compared to PS and LLDPE. This is likely due to the high hydrophilicity associated with 
hyaluronan as well as the high molecular weight utilized to fabricate HA-LLDPE materials (≈ 750 
kDA). Experiments were replicated with at least three different cell populations on at least three 
different samples (nmin = 9). A one-way ANOVA was performed. Average values and standard 
deviations are as follows: PS (av=17.4; st. dev=4.098); LLDPE (av=13.571; st.dev=3.04); HA-
LLDPE (av=4.428; st. dev=2.070). 
 

Qualitative assessments indicate that PS surfaces facilitated endothelial spreading and 

maturation noted by the spindle-like dendritic extensions projected from the cell bodies at 7 days 

of observation. Mono-layers of endothelium formed across the PS surface as observed in 

fluorescent imaging. By comparison, LLDPE promoted cell clustering across, and inhibited the 

formation of mono-layering across the surface as were seen in HUVEC investigations. Previous 

authors reporting on this phenomena note that this can be mitigated by pre-coating surfaces with 

adhesive proteins such as fibronectin 50–53.  HA-LLDPE followed previous trends noted in platelet 

adhesion studies limiting the amount of cellular adhesion to the surface. As previously discussed, 

this is most likely due to the enhanced hydrophilicity of the HA-LLDPE surface and the MW of 

the HA utilized. Further studies investigating cellular adhesion under flow conditions would offer 

more information on what may occur in vivo as flow and turbulence can result in cell shedding 

31,54,55. Lastly, the culture of progenitor endothelial cells was attempted, but the process was found 

to be very time consuming. Progenitor endothelial cells can take up to four weeks to successfully 

mature enough to seed onto samples. Thus, while the isolation procedure was performed, 

investigations utilizing these cells were not performed due to time constraints and cost. 
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Figure 4.3.3. Representative images of porcine valvular endothelial cells cultured on PS, LLDPE, 
and HA-LLDPE at day 7. Findings demonstrate that while HA-LLDPE limits cellular adhesion it 
does not completely inhibit it under static conditions. Experiments were replicated with at least 
three different cell populations on at least three different samples (nmin = 9).  
 

4.3.4 SEM Results of HUVEC Adhesion to Different Surfaces 

SEM imaging was employed to investigate the morphology of HUVECs on substrate 

surfaces after 24hrs and 7 days of cell growth. Analysis of cellular adhesion demonstrated that PS 

and LLDPE promoted greater cell density on substrate surfaces than HA-LLDPE as noted in 

previous studies (See Fig. 4.3.4). PS, used as a positive control, exhibited greater cell spreading 

on surfaces, with some flattening and dendritic extensions, especially at day 7. In agreement with 

the fluorescent data, LLDPE surfaces exhibited cell clustering and showed little to no spreading 

across the surfaces. However, LLDPE surfaces did support cellular growth and proliferation, 

giving support to previous evidence that LLDPE is non-toxic, and may be used as a good base 

material for biomaterial related modifications. HUVEC attachment was greatly mitigated on HA-

LLDPE surfaces. After 7 days some flattening and cellular projections were identified. However, 

it is unknown whether this is due to cells attaching to portions of the material which exhibit less 

HA enhancement or if the cells are attaching to HA areas and are retaining the ability to spread to 
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some degree. Further investigation is required to determine the cause of this phenomena.  

 

 

Figure 4.3.4: Representative SEM images of HUVEC attachment after 24hrs and 7 days of cell 
growth on substrate surfaces. Results support previous observations that HA-LLDPE surfaces 
mitigate cellular adhesion to surfaces under static conditions. Experiments were replicated with 
at least three different cell populations on at least three different samples (nmin = 9).  
 

4.3.5 Cell Viability Results on Different Surfaces 

Cellular proliferation and metabolic activity are important indicators of cell viability. Non-

viable cells attached to biomaterial surfaces can lead to unfavorable immune and inflammatory 

responses 56. To assist in determining the effects of investigative substrates on HUVECs, an 

alamarBlue assay was utilized. AlamarBlue quantifies cellular health by measuring the ability of 

cells to metabolize the non-toxic assay reagent resazurin to resorufin. The oxidation-reduction 

results in a colorimetric change and fluorescent by-product that can be quantified via 

spectrophotometry to determine the magnitude of cellular proliferation and resultant metabolic 

activity. Study outcomes indicate no significant differences between the PS and LLDPE groups, 
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however there was a marked reduction of resorufin in the HA-LLDPE group (See Fig. 4.3.5).  PS 

is commonly used tissue culture substrate which supports cell viability. Therefore, it is evident that 

while LLDPE may modify the morphology of endothelial cells it does not seem to alter their 

viability. When considering these results in company with fluorescence and SEM imaging it is 

likely that the similar values for PS and LLDPE are due to comparable resultant cell densities on 

the substrate surfaces. Following this conclusion, it is likely that the reduction in resorufin in the 

HA-LLDPE group is due to a decrease in cellular adhesion to the substrate surfaces rather than an 

indication of substrate cytotoxicity resulting in cell death. Previous LDH assaying showed no signs 

that HA-LLDPE was toxic to blood cells or HUVECs 39. To confirm these results, cell counting 

on substrate surfaces was performed using a hemocytometer after gentle dissociation of cells from 

substrates immediately following alamarBlue assaying. Cell counting results noted an average 

reduction of 65% in cell attachment to the surface as compared to PS and a 68% reduction 

compared to LLDPE after 24 hours of cell expansion on substrate surfaces over three studies. After 

7 days of cell expansion, an 82% reduction was noted on HA-LLDPE as compared to PS and a 

74% reduction was noted as compared to LLDPE. All results were significant to (p≤.05), data not 

shown.  These results support previous findings of HUVEC DAPI counts which demonstrated that 

HA-LLDPE surfaces significantly limited cellular adhesion to the surfaces. Although there was a 

significant decrease in cellular adhesion, resazurin conversion was noted indicating that the cells 

which did attach to HA-LLDPE substrates were viable.  
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Figure 4.3.5: Representative alamarBlue results after 7 days of cell culture on sample substrate 
indicate HA-LLDPE surfaces resulted in less resorufin. This is likely due to less cellular adhesion 
on the surfaces on HA-LLDPE. Experiments were replicated with at least three different cell 
populations on at least five different samples (nmin = 15). A one-way ANOVA was performed. 
Average values and standard deviations are as follows: PS(av=2.682; st.dev=.951); 
LLDPE(av=2.670;st.dev=.606); HA-LLDPE(av=2.215;st.dev=.128). 
 

4.3.6 CD-31 Results on Different Surfaces 

CD-31 also known as PECAM-1 is an important intercellular junction, vascular cell 

adhesion, and signaling molecule. It acts as an inhibitory receptor in platelets and leukocytes, plays 

roles in signal transduction, leukocyte trans-endothelial migration, endothelial cell vascular 

permeability, inflammation, and angiogenesis 57,58 . In addition, CD31 is a pan-endothelial cell 

marker expressed in mature endothelium. CD-31 staining was used in this study to determine if 

cells which had adhered to the surface maintained the endothelial phenotype. Protein expression 

was not expected to be present after 24 hours of cell growth on substrates. Therefore after 24 hrs, 

only rhodamine and DAPI staining were performed to ensure cellular presence, with CD-31 and 

DAPI staining performed at 7 days only. At both time points, the proliferation of HUVECS was 

significantly higher on PS and LLDPE surfaces supporting previous fluorescent staining results 
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(p≤.05) 13,15. Day 1 images are not displayed here as they were comparable to the ones illustrated 

in Fig. 4.3.2a. After 24hrs HUVECs exhibited a rounded, cobblestone like morphology on PS 

surfaces. After 7 days, interconnected networks of cells formed monolayered sheets and exhibited 

the elongated spindle-like morphologies of mature HUVECs. CD31 expression was seen 

throughout, denoting mature, intracellular junctions. After 24hrs, LLDPE surfaces noted a rounded 

morphology and small, random clustering of HUVECs indicative of the effects hydrophobic 

surfaces 59. After 7 days, clustering was still apparent with CD31 expression observed, illustrating 

that the base material, LLDPE does not result in phenotypic change. As previously demonstrated 

in platelet studies, HUVECs exhibited a low level of attachment to HA-LLDPE surfaces. Again, 

CD31 expression was noted, leading to the conclusion that no phenotypic change of attached 

endothelial cells results even after 7 days of exposure to HA enhanced surfaces.   

 

Figure 4.3.6: CD31 expression of HUVECs after 7 days of cell culture on PS, LLDPE, and HA-
LLDPE. Results demonstrate that while LLDPE and HA enhanced surfaces modulate cell 
morphology, phenotype is preserved.   
 

4.3.7 VEGF Results on Different Surfaces 

VEGF is an important signaling protein and key regulator of normal vascular development. 

It is implicated in wound healing, hematopoiesis, and tissue remodeling at infarction sites, among 

other roles 60.   It is especially important in angiogenesis, a requisite manifestation of vasculature 
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needed to shuttle blood to local regions 61,62. In addition, it assists in endothelial proliferation and 

migration, and plays roles in inflammation, and vascular permeability. In this study VEGF 

expression was examined to determine the ability of HUVECs to proliferate on substrate surfaces. 

Results indicate that both LLDPE and HA-LLDPE surfaces do not inhibit the expression of VEGF 

from HUVECs seeded onto substrates after 7 days. These results in conjunction with those of 

CD31 investigations indicate that neither LLDPE nor HA-LLDPE alter the fundamental 

functioning of HUVECs exposed to these material surfaces.    

 For biomaterials surfaces to endothelialize and offer an intrinsically non-thrombogenic 

surface, endothelial cells must remain in a mature, quiescent state 38. Phenotypic change and partial 

endothelialization can result in endothelial activation, unanticipated responses to blood 

constituents and hemodynamic forces, implant failure, and thrombosis 38,63,64. Ideally, a completely 

endothelialized biomaterial surface expressing a quiescent phenotype would be the most beneficial 

as a cardiovascular implant. In this instance, blood and its constituents would recognize the mono-

layers of cells as a native landscape resulting in optimal functionality. However, it may be possible 

to present a biomaterial surface that mitigates all cellular adhesion and yet is still compatible with 

the native environment. In these studies, it was revealed that HA-LLDPE limits the amount of 

cellular adhesion, but not completely under static conditions. In addition, HUVECs seem to 

maintain their phenotype and generally ability to function as endothelium. Thus, future work 

should first focus on performing studies which include flow conditions to ascertain whether 

endothelial cells will stay attached to HA-LLDPE under physiological sheer stress. In addition, 

further exploration should also look more closely at why some endothelial attachment was 

observed on HA-LLDPE surfaces. It is possible that the fabrication process utilized to generate 

HA-LLDPE surfaces resulted in uneven distribution of HA across the surface, leaving some 
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regions absent HA. Although it is interesting to note that in general, cells which did attach to HA 

surfaces did exhibit some spread morphology rather than the condensed groupings and lack of 

extensions noted in the LLDPE groups. It is also reasonable to assume that these regions presented 

with a moderate hydrophilicity that supported attachment and spreading, however further 

investigation is required. Current development has sought to modify the fabrication process 

through vapor cross-linking to ensure a more even coverage of HA across the surface.  

Due to the results which indicate that some endothelialization does occur on the HA-

LLDPE surface it is possible to explore two paths (full endothelialization or total non-

endothelialization).  Full endothelialization may be possible by the manipulation of a few key 

factors. First, altering the molecular weight of HA used in the fabrication process may facilitate 

endothelialization. However, this also risks increasing the chances of blood protein and cell 

adhesion. However, if the surface was endothelialized prior to implantation and pre-treated under 

flow conditions to placate denuding, thrombosis due to platelet and macrophage adhesion may be 

mitigated. Another potential mechanism would be to investigate pre-treating HA-LLDPE surfaces 

with fibronectin before endothelial cell seeding onto samples as fibronectin has been shown to 

promote endothelialization and play a key role in regulating this event in vivo 65–67. Total mitigation 

of cells on the surface may potentially be achieved by increasing the MW of the HA used during 

the cross-linking process. It must be kept in mind that these are the first studies to investigate 

endothelialization of these materials so future investigation on its improvement based on needs is 

imperative. 
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Figure 4.3.7: VEGF expression after 7 days of cell growth on substrates demonstrates that 
HUVECS cultured on HA-LLDPE maintains its phenotype and ability to proliferate. 
 

4.3.8 Conclusions 

In this study we sought to ascertain the ability of HA-LLDPE to mitigate HUVEC 

attachment to the surface and to determine if any phenotypic change was noted due to biomaterial 

exposure. Results demonstrated that similar to platelet adhesion studies, HA-LLDPE does limit 

cellular attachment. Changes in normal HUVEC morphology were also noted, however CD31 and 

VEGF investigations demonstrated that no phenotypic change was induced after 7 days of 

exposure to HA-LLDPE surfaces. As these are the first examinations of endothelial reaction to 

HA-LLDPE surfaces, future work will be needed to more closely examine why some cellular 

attachment was seen on HA-LLDPE surfaces. In addition, it will need to be determined whether 

full endothelialization or complete non-endothelialization is preferred.  Mimicking the anti-

coagulant properties of native vasculature is a key consideration in creating a non-thrombotic 

surface. Endothelialization of biomaterials is beneficial especially for long term implantation. 

Because HA is biocompatible and has shown to reduce blood protein and cell adhesion, it is 

hypothesized that even without an endothelialized surface it can offer the bio-modulating effects 
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required to reduce thrombosis and adverse inflammation. While these results may not be clinically 

relevant they do give insight into how HA-LLDPE interacts with endothelial cells. 
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CHAPTER 5 
 
 
 

CONCLUSIONS AND FUTURE WORK 
 
 
 

5.1. Conclusions 

Heart valve replacement therapy has successfully helped to improve the quality of life and 

increase longevity of those suffering from valvular diseases compared to untreated conditions. Yet, 

they still suffer from draw-backs that can lead to serious health complications such as thrombosis, 

which can lead to stroke and death. It is vital for heart valve replacement technology to create a 

valve that will function as well, if not better, then native heart valves to limit complications and to 

ensure that patients can fully benefit from the advancements made. To this end, much research has 

been employed in the field of biomaterials to develop constructs which are hemocompatible, 

highly durable, and promote endothelialization.   Polymer based heart valve leaflets may offer the 

answer needed to create exceptional heart-valves. Polymers present the ability to proffer a flexible 

leaflet design, extraordinary durability, and the capacity to be modified through various techniques 

to enhance compatibility with the physiology. Polymer technology combined with biological 

modifications such as hyaluronan enhancements have led to promising results in cardiovascular 

biomaterial technology and in heart valve development to maximize hemocompatibility. This work 

sought to ascertain the ability of a hyaluronan enhanced polymer, HA-LLDPE to mitigate pro-

coagulant and immune responses and negate endothelial attachment to HA-LLDPE surfaces. 

 In this work, it was demonstrated that HA-LLDPE does an exceptional job of presenting a surface 

that is both minimally thrombotic and allays the immune response. HA-LLDPE reduces key blood 

protein and cell adhesion at the surface and was found to be nominally activating to platelets 
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compared to virgin LLDPE and pro-coagulant PS. Endothelialization studies noted some 

endothelialization to the surface of HA-LLDPE, which is a cause for concern as partial 

endothelialization of biomaterial surfaces can trigger adverse coagulant and immune responses. 

However, it should be noted that all studies were performed in a static environment. Flow 

conditions could drastically change the effects seen in these studies, especially for the development 

of heart valve leaflet applications. De-nuding of endothelial cells seeded onto biomaterial 

constructs is common under flow conditions. Due to this endothelialized biomaterials are normally 

pre-conditioned in a bio-reactor to ensure that endothelial cells can maintain adhesion to surfaces 

after implantation and achieve uniform endothelialization 1–5 pre-implantation. 

 

5.2 Future Work 

The foundational studies explored in this thesis sought to determine the feasibility for HA-

LLDPE to be used as a material for heart valve leaflet applications. Future aims should first seek 

to determine if platelet, leukocyte, and endothelial adhesion would be found under flow conditions 

as hemocompatibility ultimately should be assessed for the individual application. In this instance 

a high velocity, high pressure flow environment will ultimately be needed. Various designs of 

physiological flow loops for testing exist and can offer more detailed information on what to expect 

in vivo due to the material only 6–9 It should be noted that thrombosis due to flow profiles within 

the valve are dependent on design, placement, and regional flow characteristics which can be more 

readily assessed once the design of the valve and its fabrication are completed. Completion of the 

valve design can also help to assess how mechanical properties such as bending stiffness may 

affect blood-interface phenomena.  
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Secondly, endothelial studies noted that endothelialization of materials may be possible. 

Thus, it should be determined if pursuing potential endothelialization would be beneficial given 

the increased complexity, and cost. If full endothelialization of HA-LLDPE is possible and creates 

a surface whose hemocompatibility supersedes that of the regular HA-LLDPE material it would 

be a worth-while endeavor if it maintained cost effectiveness. Approaches to this could entail basic 

hemocompatibility (Ex. whole blood clotting, platelet and leukocyte adhesion/activation, contact 

activation assays) and endothelial assessments (seeding of endothelial cells to surfaces) after 

fabrication of HA-LLDPE materials with varying MW.  If a MW HA-LLDPE film was found to 

present with both good hemocompatibility and endothelialization characteristics, bio-reactor 

conditioning and testing could follow. Consequently, if a particular MW of HA was found to 

completely limit endothelialization, future studies in a flow environment could proceed.  

Lastly, while it was not explicitly discussed in this thesis, polymer valves have shown some 

proclivity to calcification as is found in the native valves and tissue valves 10–14.  Regions of the 

valves such as leaflets and commissures of the polymer valves are prone to calcification often 

associated with microthrombi at the surface15.  Because HA-LLDPE has a polymer base it would 

be important for future investigations to assess the proclivity of HA-LLDPE towards calcification. 

Studies investigating the role of hyaluronan in calcification have noted a localization of hyaluronan 

around calcium nodules and a heterogenous distribution in calcified aortic valves 16,17. While the 

exact mechanism of what role HA may play in calcification is unknown it is critical to investigate 

whether the presence of HA could affect calcification of HA-LLDPE films especially under 

physiological flow conditions as calcification of polymer valves is thought to be dependent upon 

flow dynamics within the valve 11. Flow loops with calcium mixes have been developed to assess 

this phenomenon 18. While this thesis work provided the foundational investigations to determine 
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the feasibility of the novel material HA-LLDPE for heart valve leaflet applications, future research 

should seek to determine hemocompatibility in physiologically simulated environments.  

It has been ascertained that under static conditions coagulation and immune responses were 

mitigated. The logical next step would be to ascertain these responses under physiological flow 

like conditions to determine platelet, leukocyte, and endothelial adhesion. It will also be beneficial 

to determine if future work on HA-LLDPE fabrication could modulate endothelial cell adhesion 

on surfaces through the modification of MW. Lower HA MW are known to help in maintaining 

normal morphology of endothelial cells and promote adhesion and proliferation but may instigate 

immune reactions. It will be essential to determine if there an ideal MW that can offer both the 

benefits of promoting endothelial adhesion and proliferation but still limit adverse immune 

responses.  Mimicking the anti-coagulant properties of native vasculature is a key consideration in 

creating a non-thrombotic surface and warrants future consideration, although it should be kept in 

mind that this route is more complex, and expensive than creating a surface that is hemocompatible 

and can completely limit endothelial adhesion to the surface. If an ideal molecular weight to 

promote endothelialization cannot be determined, is there an ideal MW that can completely negate 

all endothelial and blood cell attachment to the surface to completely mitigate the potential for 

adverse coagulant and immune responses?  Endothelialization of biomaterials is beneficial 

especially for long term implantation. Because HA is biocompatible and has shown to reduce blood 

protein and cell adhesion, it is hypothesized that even without an endothelialized surface it can 

offer the bio-modulating effects required to reduce thrombosis and adverse inflammation.  

Due to the results which indicate that some endothelialization does occur on the HA-

LLDPE surface it is possible to explore two paths (full endothelialization or total non-

endothelialization).  Full endothelialization may be possible by the manipulation of a few key 
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factors. First, altering the molecular weight of HA used in the fabrication process may facilitate 

endothelialization. However, this also risks increasing the chances of blood protein and cell 

adhesion. However, if the surface was endothelialized prior to implantation and pre-treated under 

flow conditions to placate denuding, thrombosis due to platelet and macrophage adhesion may be 

mitigated. Another potential mechanism would be to investigate pre-treating HA-LLDPE surfaces 

with fibronectin before endothelial cell seeding onto samples as fibronectin has been shown to 

promote endothelialization and play a key role in regulating this event in vivo 19–21. Total mitigation 

of cells on the surface may potentially be achieved by increasing the MW of the HA used during 

the cross-linking process. It must be kept in mind that these are the first studies to investigate 

endothelialization of these materials so future investigation on its improvement based on needs is 

imperative. 
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APPENDIX 
 
 
 

EFFECT OF HYALURONAN ENHANCEMENTS OF LINEAR LOW-DENSITY 

POLYEHTYLENE ON PLATELET ADHESION AND ACTIVATION  

 
 
 

Introduction 

Hyaluronan (HA) is an ubiquitously produced glycosaminoglycan implicated in a wide 

range of cell functions 1–5. It exhibits superior anticoagulation properties leading to a prevailing 

interest in its use in cardiovascular biomaterial and tissue engineering applications 6–14. Examples 

of HA enhanced biomaterials developed for use in cardiovascular medical devices include HA 

modified hydrogels for vascular tissue engineering applications 6, immobilized HA on metallic 

surfaces 13  HA-polydopamine conjugates on stainless steel substrates for use in vascular stents 11, 

HA micro-patterning on titanium substrates 15, and cross-linked HA-LLDPE for use in flexible 

material cardiovascular applications such as prosthetic heart valve leaflets 9,16.. HA enhanced 

biomaterial substrates have consistently demonstrated non-activating and non-adhesive 

interactions with blood proteins and platelets. These properties are essential in mitigating 

thrombotic events that can lead to embolism of heart valves and catheters, occlusion of stents, 

stroke, death, and bleeding risks associated with anticoagulant therapy 17–19.. Apart from its 

anticoagulant properties, HA is bacteriostatic, non-immunogenic, and non-toxic making it a 

superlative choice for use in modifying biomaterials 6–8..
 In addition, previous research has 

demonstrated that HA can promote endothelial and smooth muscle cell adhesion, reduce 

calcification in bioprosthetic heart valves, regulate cell substrate receptors, increase the synthesis 

of collagen and elastin, and facilitate extracellular matrix remodeling; thereby increasing its 
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potential for use in multi-functional applications 2,7,20. HA has the potential to be integrated with 

various materials to fine tune and enhance its mechanical properties, improve material patency, 

reduce degradation of macromolecules, and produce varying pore sizes that can be used to regulate 

cell and protein adhesion, as well as biomolecule transport 20,21. Thus, continued investigation 

provides crucial insight into the means and methods by which HA enhancement can be applied. 

The majority of investigative work into the physiological effects of HA enhanced 

biomaterials has focused on the modulation of substrate interactions through diverse 

immobilization techniques and varying HA molecular weight (MW) through chain length 

alteration. While some of  anticoagulant properties of HA remain intact regardless of MW, low 

MW HA (below 200 kDa) can facilitate the adhesion and proliferation of endothelial cells and 

smooth muscles cells which have the potential to increase biocompatibility and hemocompatibility 

7,8,22. However, the MWs which promote endothelialization and angiogenesis are in contradiction 

to those which most effectively reduce platelet adhesion thereby leaving a gap in its applicability 

to support short and long term hemocompatibility if endothelialization is desired.  Only a limited 

number of studies look at the effects of varying HA concentration on biomolecular regulation and 

blood cell adhesion at the HA-blood interface 9,10
.  A prior study examining the effects of varying 

concentrations of 750 kDa HA-LLDPE on mechanical properties, platelet adhesion profile, and 

clotting resistance demonstrated that HA increased clotting resistance relative to plain LLDPE, but 

the effect appeared to be dependent upon the concentration of HA and whether an additional layer 

of HA was attached to the substrate 9. Furthermore, this study demonstrated that platelet adhesion 

decreased on the HA-LLDPE relative to plain LLDPE but did not study the effect of HA 

concentration in the HA-LLDPE, nor the effect of an additional layer of HA on the substrate [9]. 

Few studies to date have sought to thoroughly examine the effects of varying substrate HA 
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concentrations on biomaterial-blood compatibility. Due to the previous success of HA biomaterials 

on reducing blood protein adhesion, activation, and aggregation, increasing the breadth of 

knowledge of its applications is critical to producing successful materials for cardiovascular 

biomaterial implementation. In this study, we build on previous hemocompatibility investigations 

of HA-LLDPE 9,16 by exploring the effects of LLDPE modified with varying concentrations of 

HA and differing HA concentrations combined with spin-coated HA.   

The fabrication process of HA-modified LLDPE substrates has been previously described 

9. Prior work examined the effects of LLDPE enhanced with a 2% solution concentration of HA. 

These investigations concluded that it dramatically reduced blood protein and platelet adhesion 

and activation, contact activation, whole blood clotting, thrombin-anti thrombin response, and was 

found to be non-toxic to platelets 16. In the current manuscript, we have investigated the effects of 

LLDPE enhanced with 2%, 2.5%, and 3% solution concentrations of HA (2% HA, 2.5% HA, and 

3% HA); and these treatments combined with an additional HA spin coating (2% HA Spin, 2.5% 

HA Spin, and 3% HA Spin) on cytocompatibility, platelet adhesion, and activation. The goal of 

this study was to investigate the effects of differing HA concentrations with and without the 

addition of HA spin-coating to ascertain if this would provide additional benefits in enhancing 

anti-coagulant properties. 

 

Materials and Methods 

Fabrication of HA-LLDPE Substrates 

LLDPE films were swollen for 60 mins in 2%, 2.5%, or 3% w/v of silylated hyaluronan 

cetyltrimethylammonium (SHACTA; 750 kDa HA) in  a xylenes solution at 50°C contained in a 

dry N2 filled glove-bag 23. Films were then dried for approximately 2-3 hrs in a vacuum oven at 



 

181 

 

50°C until no weight change was observed. Using a WS-650Mz-23NPPB spin coater (Laurell 

Technologies, North Wales, PA), a portion of the films were given an additional spin coat of their 

respective treatment solutions on each side with 2 ml of each solution dispensed at 400 rpm for 15 

secs followed by a 1000 rpm step for 30 secs.  SHACTA-impregnated LLDPE films (SHACTA-

LLDPE) were then crosslinked in 2% v/v p(HMDI) xylenes solution for 60 mins at 50°C in a dry 

N2 filled glove-bag. The crosslinked SHACTA-LLDPE (xSHACTA-LLDPE) was subsequently 

cured in a vacuum oven for 15 hrs at 50°C. Excess p(HMDI) was removed by soaking and agitating 

films in acetone for 1 min and subsequently drying in a vacuum oven for 5-10 mins at 50°C until 

no visible traces of acetone remained.  A final step of hydrolysis to get rid of the trimethylsilyl and 

CTA groups was performed as described elsewhere 9. 

 

Characterization of HA-LLDPE Substrates 

After drying in a vacuum oven overnight at 50°C, HA-LLDPE substrates were 

characterized using a Nicolet iS-50 FT-IR spectrometer with KBR beam splitter and diamond ATR 

crystal accessory at 4 cm-1 resolution and 64 scans per spectrum from 400 to 4000 cm-1. Spectra 

were processed with 2nd order polynomial baseline correction with correction for the linear offset 

using OMNIC software and normalized for the LLDPE hydrocarbon peak height at 2918 cm-1.  

Peak areas of identically baseline corrected and normalized spectra can show relative quantitative 

differences of cross-linked HA in HA-LLDPE near the substrate due to the Beer-Lambert law. 

Peak areas were measured with Spectragrpyh software (F. Menges "Spectragryph-optical 

spectroscopy software", Version 1.2.7, 2017, http://www.effemm2.de/spectragryph) between 

3798.84 to 3096.92 corresponding to amide/hydroxyl peaks.  

http://www.effemm2.de/spectragryph
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For contact angle measurements, HA-LLDPE substrates were hydrated in DI water 

overnight before being analyzed. The substrates were placed on a stage of a Rame-Hart Contact 

Angle goniometer.  The dispensing needle was placed just above the substrate, and an initial drop 

was dispensed.  For advancing angles, the volume of the drop was gradually increased; the tangent 

contact angle was measured as the contact line advanced outward, until a maximum angle 

stabilized as seen through plateauing of the angle value using DropImage Advanced software.  The 

water was subsequently sucked back up slowly with the receding angle measured from the 

receding contact line until the angle stabilized or the angle was unmeasurable. 

 

Platelet Rich Plasma Isolation and Incubation on HA-LLDPE Substrates 

Ten ml of whole human blood was drawn via venous phlebotomy into tubes coated with 

EDTA (BD Vacutainer; Franklin Lakes, NJ) .At least 3 healthy donors who had refrained from 

taking thromboxane inhibitors for a minimum of two weeks donated blood for the investigations. 

EDTA collection tubes were chosen in order to preserve platelet morphology during analysis as 

previously described. The protocol for blood isolation from healthy individuals was approved by 

Colorado State University Institutional Review Board. Platelet rich plasma (PRP) was isolated 

through centrifugation at 150g for 10 mins followed by a rest period of 10 mins to ensure that any 

partially activated platelets could return to their resting state. PRP from blood collection tubes was 

subsequently pooled together in a 50 ml conical tube and gently oscillated to ensure adequate 

mixing. One ml of PRP was then added to each substrate group: LLDPE; LLDPE enhanced with 

2% HA, 2.5% HA, and 3% HA; 2% HA+Spin, 2.5% HA + Spin, and 3% HA + Spin. The substrates 

were allowed to incubate for 2 hrs in an incubator at 5% CO2 and 37°C. The dimensions of each 

substrate were 8 mm x 1 mm retrieved from each fabricated HA “film” using a biopsy punch. Each 
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substrate was completely immersed in PRP, however only was side of each substrate was analyzed 

in each investigation to obtain data. All investigations were performed in a static environment with 

the exception of gentle shaking on a shaker plate during PRP incubation which was performed at 

100 rpm/s.  

 

Cytocompatibility of HA-LLDPE Substrates 

A commercially available lactate dehydrogenase assay (LDH) was used to assess the 

cytocompatibility of different substrates in contact with platelets. The protocol provided by the 

manufacturer was used (Pierce Biotechnology: Rockford, IL). In brief, a reaction mix was prepared 

by combining a substrate mixture (lyophilizate and ultrapure water) with an assay buffer provided 

by the manufacturer. The substrates were incubated in PRP for 2 hrs, including a positive control 

group of lysis buffer added to PRP to ensure maximal lysing of blood cells. After incubation, 50 

µl of substrate incubated PRP was transferred to a 96 well plate. Fifty µl of reaction mix was then 

added to the PRP and mixed gently by tapping. Substrates were then incubated for 30 mins in a 

dark hood. After 30 mins absorbance was read at 490nm and 680nm on a spectrophotometer. 

 

Platelet adhesion on HA-LLDPE Substrates 

Platelet adhesion on different substrates was determined through the use of fluorescent 

microscopy. After 2 hrs of incubation in PRP, the substrates were gently rinsed twice with PBS. 

One ml of 5 µM solution of Calcein-AM (Thermo-Scientific) dissolved in PBS was added to the 

substrates and allowed to incubate at ambient temperature for 20 mins. Following incubation, the 

stain was carefully aspirated, and substrates were rinsed twice with PBS. All the substrates were 

immediately imaged with a Zeiss Axiovision fluorescent microscope using a 493/514 nm filter. 
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All fluorescence microscopy images were processed using Image J software. 

 

Platelet Morphology on HA-LLDPE Substrates 

Scanning electron microscopy (SEM) was used to visualize platelet morphology on 

different HA substrates. After 2 hrs incubation in PRP, the substrates were gently rinsed twice with 

PBS, fixed, and dehydrated. The fixation process included 45 mins of incubation in a primary 

fixative of 6% gluteraldehyde (Sigma), 0.1M sodium cacodylate (Polysciences), and 0.1M sucrose 

(Sigma) in DI water. Afterwards substrates were transferred to a buffer solution (primary fixative 

without gluteraldehyde) for 10 mins. This was followed by incubating the substrates to consecutive 

solutions of ethanol (35%, 50%, 70% and 100%) for 10 mins each to remove any excess water. 

Substrates were then stored in a desiccator until imaging. Prior to SEM visualization, the substrates 

were coated with a 10 nm layer of gold and imaged at 5 kV.  

 

Platelet Activation on HA-LLDPE Substrates 

Platelet activation on different HA substrate substrates was measured using a platelet factor 

4 (PF4) enzyme linked immunoabsorbant assay kit (ELISA, RayBio). The protocol provided by 

the manufacturer was followed. After 2 hrs incubation in PRP, the substrate-exposed plasma was 

diluted (1:200) in the assay diluent, and incubated in the micro-assay well plate provided by the 

manufacture for 2.5 hrs. Afterwards, the wells were aspirated and washed 4 times in a wash buffer 

and subsequently incubated with biotinylated antibody for 1 hr. The antibody was aspirated and 

the wells were again washed to remove any unbound antibody. The wells were then incubated with 

a horseradish peroxidase (HRP)-streptavidin solution (1:25,000 in assay diluent) and incubated for 

another 45 mins.  Finally, the HRP was aspirated, wells were washed, and a final incubation in a 
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tetramethyl benzidine buffer solution was performed. The reaction was stopped with a stop 

solution and the optical density was measured using a plate reader at 450 nm. 

 

Statistics 

A linear mixed model with a random intercept was fit to the data to compare treatment 

groups accounting for repeated measures of HA-LLDPE using the “lme4” package in the R open 

source statistical data software. Multiple comparisons of contact angles between treatments were 

analyzed using Tukey’s HSD post-hoc test using the 

“emmeans”package(https://cran.rproject.org/web/packages/emmeans/vignettes/comparisons.html

). For the FTIR spectra, a log (x+1) transform of the peak area was used due to heavily skewed 

data and the presence of a zero for the virgin LLDPE. A linear mixed model and Tukey post-hoc 

test was also used for fitting.  All models used Satterthwaite denominator degrees of freedom for 

significance testing. 

Experiments with platelets were performed to evaluate the differences between PS, LLDPE, 2% 

HA, 2.5% HA, 3% HA, 2% Spin, 2.5% Spin, and 3% Spin on five substrates. Each experiment 

was repeated at least three times with three different whole blood PRP populations (nmin = 15). 

Fluorescent imaging was performed using a Zeiss Axiovision fluorescent microscope at 10x 

magnification and analyzed using ImageJ software. Percent coverage of platelets were determined 

by the evaluation of 15 representative images taken per group over 3 studies (n=45) using Image 

J. Each image analyzed an area of 25 µm2. Qualitative SEM analysis was performed using the 

methods prescribed by Ko and Cooper 24 on 15 representative images per group taken over 3 

studies at 500x and 2500x (n = 45). Each image covered an area of 144 µm2. All results were 

https://cran.rproject.org/web/packages/emmeans/vignettes/comparisons.html
https://cran.rproject.org/web/packages/emmeans/vignettes/comparisons.html
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evaluated using a one-way analysis of variance (ANOVA) with Tukey’s, Bonferonni, and Scheffe 

post-hoc analysis. Statistical significance was considered at p<0.05. 

 

Results and Discussion 

In previously published work we sought to increase the hemocompatibility of virgin 

LLDPE for use in flexible cardiovascular biomaterials by incorporating HA into the molecular 

structure of LLDPE 9,16
.  While previous research has primarily focused on HA modification of 

biomaterials for stent applications, the introduction of flexible HA enhanced biomaterials 

potentiates a wide range of uses including heart valve leaflets, vascular patches, and grafts. 

Previous studies indicated that the 2% HA substrates were cytocompatible to platelets, 

significantly reduced blood protein adsorption, platelet and leukocyte adhesion and activation, 

contact activation, and thrombin-antithrombin cleavage 16. The purpose of this study was to 

investigate the effects of varying concentrations of HA with and without the addition of HA spin-

coating to determine if this would enhance hemocompatibility.  

To confirm the presence of HA on different HA-LLDPE substrates, ATR-FTIR spectra 

were taken and compared to that of untreated LLDPE (Figure 1).  The characteristic peaks for 

LLDPE are CH3 and CH2 asymmetric and symmetric stretching near 2914 and 2847cm-1; CH2 and 

CH3 scissoring and stretching at 1472 and 1462cm-1; and CH2 rocking at 718cm-1.  All these peaks 

were present on untreated LLDPE spectra.  The characteristic peaks for HA are OH and NH 

stretching near 3338cm-1; carbonyl stretching of urethane linkages near 1765cm-1; amide and 

carboxyl carbonyl stretching near 1685cm-1; and CNH stretching characteristic of amides and 

urethanes due to HA and the HMDI cross-linker near 152cm-1.  All these peaks were present on 

different HA-LLDPE spectra long with characteristic peaks for LLDPE.  ATR-FTIR determines 
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chemical composition up to 2 µm into the surface.  The results show that the substrates were 

modified with HA.   

Contact angle goniometry was used to characterize the wettability of HA-LLDPE 

substrates (Figure 2).  The results indicate that due to high contact angle hysteresis (i.e. the 

difference between advancing and receding contact angles) of HA-LLDPE substrates, water 

droplets will not easily roll off and will spread on the surface, indicating that all the HA-LLDPE 

substrates are hydrophilic.  In contrast, the contact angle hysteresis was lower for LLDPE 

substrates indicating the substrate is hydrophobic. Further, none of the advancing and receding 

contact angles for HA-LLDPE substrates were significantly different from each other, however, 

they were all significant different from LLDPE substrates (p≤0.05). 

To ensure that the HA-LLDPE substrates did not facilitate +- death, cytocompatibility 

investigations were performed. Cytocompatibility is based on a biomaterial’s ability to discourage 

premature cell death when exposed to the native physiology. In order to determine the 

cytocompatibility of different HA substrates, a commercially available LDH assay was used.  

Different HA substrates were incubated in PRP and compared to a HEPES Buffer solution, virgin 

LLDPE, and platelets that were completely lysed with a Triton-X lysis buffer. As previously 

described, LLDPE and 2% HA was found to be non-toxic 16. The present results confirmed the 

preceding outcomes and indicate that varying concentrations of HA do not significantly alter the 

cytocompatibility of the different HA substrates. No significant differences in cytotoxicity were 

noted between 2% HA, 2.5% HA, 3% HA, 2% HA Spin, 2.5% HA Spin, and 3% HA Spin 

substrates, LLDPE, or HEPES buffer solution (Figure 3). However, all substrates were 

significantly different from the total cell lysate. Upon exposure to a toxic material, LDH is released 

during necrosis and subsequent cell lysis. Thus, LDH assaying provides an indirect measurement 
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of a material’s toxicity to the target cells. The results of this study demonstrate that varying HA 

concentration does not significantly induce cell death since it was similar to that of HEPES buffer 

solution. HEPES buffer is commonly used in cell culture to assist in maintaining enzyme structure 

and metabolic functions within cells and is considered non-toxic 25. Thus, the results indicate that 

none of the substrates resulted in any significant cytotoxic effects on PRP and can thus be safely 

used in the development of materials for blood-contacting applications.  

Platelet adhesion to biomaterial substrates is an important indicator of hemocompatibility. 

Vastly reducing the amount of platelet adhesion to a biomaterial interface considerably reduces 

the potential for thrombotic incidence in vivo, thereby mitigating the potential for stroke, death, 

and implant rejection. Platelet adhesion analysis via fluorescence microscopy indicated that 

adhesion tended to increase with increasing concentration of HA (Figure 4(a) and 4(b)). Only the 

2% HA was found to significantly reduce platelet adhesion as compared to the LLDPE. While 

trends indicate that 2% HA outperformed 2.5% and 3% HA treatment groups resulting in the least 

amount of platelet attachment on the substrates, no significant differences were seen. Further, no 

significant differences were found in the amount of platelet adhesion in the spin coated substrates, 

although 3% HA Spin always demonstrated the greatest number of platelets on the substrate.  

However, 2% HA markedly reduced platelet adhesion as compared to 2% HA Spin, 2.5% HA 

Spin, and 3 % HA Spin (p≤0.05). As illustrated in previous studies 16,26,27 a marked reduction in 

bulk platelet adhesion has been shown to correspond to the anionic nature of HA enhanced 

substrates. Similar studies, investigating the hemocompatibility of cross-linked hydrogels have 

demonstrated that platelet entrapment may occur due to the irregularly shaped networks produced 

by cross-linking 28. HA is known to regulate the distribution and transport of plasma proteins and 

macromolecules dependent upon the space generated in the HA network 1,2
. Under physiological 
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conditions these spaces can be naturally regulated to allow for the appropriate transport of 

biological products across the interface. HA naturally self-associates into tight helical 

configurations [29]. It has been well established that stabilizing HA via cross-linking generates 

varying pore sizes which can result from the intermolecular association of HA chains at the surface 

thus creating a mesh like surface 14,20. However, the fabrication process of immersing LLDPE in 

HA solutions followed by cross-linking HA to itself creates a fixed network which may entrap 

proteins and platelets in the entangled matrix.  This mesh like architecture can be seen in the 

“pools” of HA on the HA-LLDPE surface in SEM imaging (See Fig. X). The addition of HA by 

spin coating to HA-LLDPE cross-linked substrates may then exacerbate blood cell adhesion by 

increasing this effect. Thus, while lower concentrations of HA may result in pore sizes too large 

to catch proteins and platelets, higher concentrations of HA may facilitate immobility of platelets 

on the substrates and retain more plasma proteins. Future investigations are needed to confirm 

these phenomena. Furthermore, platelets are known to preferentially bind to hydrophobic 

substrates 27. Thus, it could then be hypothesized that excessive platelet adhesion to HA-LLDPE 

substrates could occur via three mechanisms; (a) the incorporation of inadequate amounts of HA 

in the LLDPE network allowing platelets to be exposed to the hydrophobic LLDPE phase; (b) the 

addition of too much HA resulting in the trapping of positively charged proteins, which facilitate 

platelet adhesion; or (c) the entrapment of platelets themselves due to the varying pore sizes which 

generate a physical matrix that subsequently ensnare platelets.  

SEM imaging appears to confirm the third phenomena specifically for spin-coated 

substrates. Different HA-LLDPE substrates illustrate “pooling” and “clustering” of HA across the 

surface, which indicate potential areas of increased concentration and entanglement. These areas 

are highlighted in (Figure 5). While hydrated, it is assumed that HA is spread more uniformly 
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throughout the substrate.  However, it is likely that HA is prone to accumulate, even in its hydrated 

state, as its hydrophilic nature is incompatible with the hydrophobic phase of the native LLDPE 

network.   

Qualitative assessment reveals that HA prominent regions seem to increase with increasing 

concentration of HA, however further investigation is needed. In addition, protuberances located 

in the HA pools indicate some platelet entrapment within the accumulated regions. Thus, it could 

be assumed that when hydrated, HA regions spread out but may retain some areas of high 

concentration that could trap platelets within the HA-LLDPE matrix.  While not all platelets 

attached at the substrate correspond to “pools” visualized with SEM, the entanglement of the HA 

within LLDPE network during fabrication may still result in pore sizes that capture both protein 

and platelets.  Previous studies have shown using cross-linked HA can produce various pore sizes 

and degradation profiles 20. Due to the difficulties in properly assessing platelet activation in the 

accumulated HA regions, PF4 assaying was used to determine platelet activation.  

Platelet activation was determined by quantifying the release of PF4, a protein liberated 

through the process of alpha degranulation during increasing levels of platelet activation. PF4 is 

generally recognized as a pro-thrombotic agent and an antagonist of heparin-like molecules 30. PF4 

concentration was normalized to the percent coverage of overall platelets which had adhered to 

the substrate in corresponding Calcein-AM images (Figure 6). LLDPE substrates liberated 

approximately 10ng/ml. While PF4 concentration induced by LLDPE fell within the acceptable 

range for human plasma 6, it was still significantly higher than the observed levels produced by 

different HA-LLDPE substrates with the exception of  3% HA Spin (PF4 ≈ 9ng/ml). 2% HA 

(PF4 ≈ 5ng/ml) was not found to significantly increase platelet activation as compared to 2.5% 

HA (PF4 ≈ 5ng/ml) but was found to significantly reduce PF4 release compared to 3% HA (PF4 



 

191 

 

≈ 7ng/ml) (p≤0.05). 2% HA Spin (PF4 ≈ 6ng/ml), 2.5% HA Spin (PF4 ≈ 7.7 ng/ml) and 3% HA 

Spin were found to be the most activating of all HA-LLDPE substrates and demonstrated 

significant increase in PF4 release between different groups (p≤0.01) although they still fell within 

the acceptable range for blood contacting materials. PF4 and fluorescence microscopy images 

results express a correlation between increasing concentration levels of HA and platelet adhesion 

and activation. Thus, in future work it would be prudent to monitor higher concentrations of HA 

on biomaterial substrates to ensure adverse platelet adhesion and activation does not occur. 

Increased platelet adhesion to the substrate is detrimental as it increases the potential for platelets 

to activate overtime. Thus, as compared to the other test substrates, it could be concluded that 2% 

HA substrates would be the best candidate for use in biomaterial applications seeking to mitigate 

platelet activation on the substrate.  

 

Conclusions 

HA enhanced LLDPE has the potential to be used in a vast array of biomedical applications. 

The current study revealed that HA-LLDPE retains anticoagulant properties such as reduced 

platelet adhesion and activation, even when increasing concentrations during the cross-linking 

process. However, the results imply that higher concentration levels may affect the levels of 

platelet adhesion and activation at the substrate surface. Because HA-LLDPE is produced by cross-

linking HA after solubilization in xylenes, HA prone accumulation cannot be regulated. Thus, 

varying pore sizes resulting from the manufacturing process leads to matrix formation which traps 

whole platelets and aggregates within in its network, as seen in similar investigations of HA-

enhanced biomaterials. While the addition of spin-coating rendered negative effects on 

hemocompatibility, gaining insight into the nature of HA modifications are essential to furthering 
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biomaterial investigations into HA-enhanced biomaterial technologies. Future work will aim to 

assess endothelialization of HA-LLDPE substrates to further increase hemocompatibility at the 

HA-blood interface.  In addition, investigations into altering the molecular weight HA used to 

enhance the HA-LLDPE materials may prove useful to fine tuning the hemocompatibility of these 

flexible materials for use in cardiovascular applications. 
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