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Introduction

Coronary artery disease (CAD) is the leading cause of death worldwide [START_REF] Mackay | The atlas of heart disease and stroke[END_REF]. It results from the accumulation of fatty deposits within the arterial vessel wall which eventually leads to the narrowing, or "stenosis", of the arteries. The narrowing restricts blood flow and impedes the supply of oxygen and nutrients to the tissues. Health complications that may arise from CAD include clot formation, heart attack and stroke. The main risk factors for CAD at all ages, in both genders and in all geographical regions include hypertension, diabetes mellitus, smoking, obesity and cholesterol levels [START_REF] Yusuf | Effect of potentially modifiable risk factors associated with myocardial infarction in 52 countries (the INTERHEART study): case-control study[END_REF]. The first successful graft surgery involving a coronary artery bypass was performed in the 1960s for the treatment of CAD [START_REF] Haller | Cardiology's 10 greatest discoveries[END_REF]. In this approach, arteries from elsewhere in the body of the patient were grafted to the coronary arteries to bypass the arterial stenosis resulting in improved blood supply to the heart muscle.

However, this procedure possesses the disadvantage of clotting and subsequent stenosis of the vessel [START_REF] Choi | Ischemic heart diseases: Current treatments and future[END_REF]. In 1977, Andreas Gruntzig pioneered balloon angioplasty, also called percutaneous transluminal coronary angioplasty. The technique involved passing a deflated balloon through a catheter to the vessel followed by inflation in order to open the artery and compress the plaque against the vessel wall [START_REF] Gruntzig | Trans-Luminal Dilatation of Coronary-Artery Stenosis[END_REF]. In 1987, Sigwart introduced the first coronary stent, a medical device designed to serve as a temporary or permanent mechanical support within the artery [START_REF] Sigwart | Intravascular Stents to Prevent Occlusion and Restenosis after Trans-Luminal Angioplasty[END_REF]. Stents are meshed cylindrical scaffolds usually constructed from metals or polymers. The stent was typically inserted via a balloon catheter over a guide wire into a vascular lumen and expanded into contact with the diseased portion of the arterial wall, restoring adequate blood supply to the heart muscle. In addition to enlarging the lumen, balloon angioplasty causes some localized injury resulting in the initiation of restenosis of the artery at the angioplasty site. The process of restenosis involves inflammation, elastic recoil, thrombosis, neointimal proliferation and negative arterial remodeling [START_REF] Klein | Restenosis after Successful Percutaneous Transluminal Coronary Angioplasty[END_REF][START_REF] Ip | Syndromes of Accelerated Atherosclerosis -Role of Vascular Injury and Smooth-Muscle Cell-Proliferation[END_REF][START_REF] Rensing | Quantitative Angiographic Assessment of Elastic Recoil after Percutaneous Transluminal Coronary Angioplasty[END_REF][START_REF] Nobuyoshi | Restenosis after Successful Percutaneous Trans-Luminal Coronary Angioplasty -Serial Angiographic Follow-up of 229 Patients[END_REF]. When compared with balloon angioplasty, bare metal stents eliminate vessel elastic recoil and negative remodeling [START_REF] Lowe | Coronary in-stent restenosis:Current status and future strategies[END_REF] which significantly reduces the restenosis rate from 30-50 % to 20-30 %. This has been demonstrated by a number of landmark studies [START_REF] Fischman | A Randomized Comparison of Coronary-Stent Placement and Balloon Angioplasty in the Treatment of Coronary-Artery Disease[END_REF][START_REF] Serruys | A Comparison of Balloon-Expandable-Stent Implantation with Balloon Angioplasty in Patients with Coronary-Artery Disease[END_REF]. In spite of this achievement, neointimal hyperplasia (NIH), which results mainly from the over-proliferation of vascular smooth muscle cells (SMC) and the production of extracellular matrix components [START_REF] Lowe | Coronary in-stent restenosis:Current status and future strategies[END_REF][START_REF] Virmani | Pathology of in-stent restenosis[END_REF], has remained the principle cause of in-stent restenosis.

The limitations exhibited by bare metal stents have led to the exploration of new stent materials, designs, surface treatments and coatings in order to improve the performance of the device, and in particular, attenuate the rate of in-stent restenosis. A major advance in the evolution of stents has been the use of drug-eluting stents (DES). DES have reduced the restenosis rate to 10% [START_REF] Morice | A randomized comparison of a sirolimus-eluting stent with a standard stent for coronary revascularization[END_REF][START_REF] Moses | Sirolimus-eluting stents versus standard stents in patients with stenosis in a native coronary artery[END_REF][START_REF] Grube | Initial experience with paclitaxel-coated stents[END_REF] by pharmaceutically inhibiting the proliferation of vascular SMC. Despite the decrease in the restenosis rate, DES have been criticized for hindering the natural healing process resulting from endothelial cell (EC) re-lining on and surrounding the stent struts. In addition, the use of DES has been associated with the risks of late stent thrombosis and needs longer-term dual antiplatelet therapy. Concern also remains regarding potential inflammation and hypersensitivity reactions caused by the polymer substrate of DES which may result in myocardial infarction and death [START_REF] Spertus | predictors, and outcomes of premature discontinuation of thienopyridine therapy after drug-eluting stent placement results from the PREMIER registry[END_REF][START_REF] Ong | Symposium of the Texas-Heart-Institute on Current Issues in Cardiology[END_REF][START_REF] Mcfadden | Late thrombosis in drug-eluting coronary stents after discontinuation of antiplatelet therapy[END_REF][START_REF] Ong | Late angiographic stent thrombosis (LAST) events with drug-eluting stents[END_REF][START_REF] Kuchulakanti | Correlates and long-term outcomes of angiographically proven stent thrombosis with sirolimus-and paclitaxel-eluting stents[END_REF][START_REF] Iakovou | Incidence, predictors, and outcome of thrombosis after successful implantation of drug-eluting stents[END_REF][START_REF]Do drug-eluting stents increase deaths?[END_REF][START_REF]Boston scientific confirms long-term clotting risk of drug-eluting stents[END_REF][START_REF] Nebeker | 54th Annual Scientific Session of the American-College-of-Cardiology[END_REF]. A timeline summarizing the progress in the treatment of CAD is depicted in Figure 1. To circumvent the undesirable effects of permanent polymer-based metallic DES, polymer-free DES delivery systems and temporary biodegradable stents have been developed and evaluated. These new DES delivery systems have been produced to minimize the polymer burden and promote sustained drugrelease rates.

Further improvement to stent technology is also being explored via micro-and nanostructured approaches on stent surfaces to manipulate vascular cell responses. The idea behind this strategy is to mimic the native structure of healthy endothelium or in vivo conditions, thereby reducing the potential for thrombosis and restenosis.

In the following sections, we review the current stent deployment techniques and stent types used for the treatment of CAD as well as the pathophysiology resulting from stent implantation. The various chemical modification strategies to improve stent-vascular compatibility are discussed and finally, the physical modification of surfaces to manipulate the vascular cell response is also described herein.

Current stent technology: Deployment techniques and types

Currently, over 100 types of stents are available in the marketplace primarily for vascular or non-vascular and peripheral indications [START_REF] Stoeckel | A survey of stent designs[END_REF]. Stents for coronary disease applications range from 2.0 to 4.0 mm in diameter and from 8 to 38 mm in length [28]. They are classified by deployment method (balloon-expandable or self-expanding) and by type (materials used, material forms, manufacturing methods and geometrical configurations). The required characteristics of current coronary stent materials and their delivery systems as described in other literature reviews are summarized in Table 1 [START_REF] Mani | Coronary stents: A materials perspective[END_REF][START_REF] Schatz | A view of vascular stents[END_REF].

In balloon-expandable stents, the stent is deployed by expanding it with a balloon catheter causing it to deform plastically. Stents of this type are fabricated with a smaller diameter and a low yield stress. By contrast, in the self-expanding deployment method, stents are manufactured with a diameter greater than that of the target vessel. The stent is constrained prior to deployment and then released to allow self-expansion. The material used for this deployment method must have a low elastic modulus and a high yield stress [START_REF] Zahora | Models of stents -Comparison and applications[END_REF].

Comparative features of the balloon-expandable and self-expanding stents have been reviewed previously by Kathuria et al [START_REF] Kathuria | The potential of biocompatible metallic stents and preventing restenosis[END_REF]. Studies have revealed that these modes of expansion vary with respect to late stent expansion and neointimal proliferation in stented lesions [START_REF] Konig | Stent design-related coronary artery remodeling and patterns of neointima formation following selfexpanding and balloon-expandable stent implantation[END_REF]. Common corrosion-resistant biomaterials employed for the manufacture of balloon-expandable bare-metal stents include 316L stainless steel, platinum-iridium (PtIr) alloy, tantalum (Ta), cobalt-chromium (CoCr) alloy and titanium (Ti). Among these, 316L stainless steel is by far the most used alloy currently approved due to its excellent mechanical properties [START_REF] Park | Biomaterials: principles and applications[END_REF][START_REF] Ratner | Biomaterials science: an introduction to materials in medicine[END_REF]. However, the biocompatibility of 316L steel is limited due to the instigation of thrombosis by the metal surface [START_REF] Thierry | Nitinol versus stainless steel stents: acute thrombogenicity study in an ex vivo porcine model[END_REF]. In addition, 316L steel is ferromagnetic and thus may interfere with magnetic resonance imaging protocols [START_REF] Cardarelli | Materials Handbook[END_REF]. Despite these drawbacks, 316L stainless steel is often considered as a standard reference material for mechanical properties when developing new biomaterials for metallic stent applications. The other balloon-expandable metallic stents mentioned above are used for their improved radiopacity, superior radial strength, enhanced corrosion resistance, better magnetic resonance imaging compatibility, or the combination of all these characteristics. Among all these properties, improved radiopacity and superior radial strength are desired since they allow the design of stents with smaller delivery profiles. Nitinol is a nickel-titanium (NiTi) alloy that is widely used for producing self-expanding stents mainly because of its shape memory effects and super elasticity [START_REF] Shabalovskaya | On the nature of the biocompatibility and on medical applications of NiTi shape memory and superelastic alloys[END_REF]. There is, however, a level of concern with this material associated with the possible release of Ni from the alloy which could lead to immunogenic reactions [START_REF] Shabalovskaya | On the nature of the biocompatibility and on medical applications of NiTi shape memory and superelastic alloys[END_REF][START_REF] Bergergorbet | Biocompatibility testing of NiTi screws using immunohistochemistry on sections containing metallic implants[END_REF]. To address these concerns, surface passivation methods [START_REF] Maitz | Plasma-immersion ion-implanted nitinol surface with depressed nickel concentration for implants in blood[END_REF][START_REF] O'brien | Passivation of nitinol wire for vascular implantsa demonstration of the benefits[END_REF][START_REF] Trepanier | Effect of modification of oxide layer on NiTi stent corrosion resistance[END_REF] and coatings [START_REF] Mazumder | Corrosion resistance of polyurethane-coated Nitinol cardiovascular stents[END_REF][START_REF] Starosvetsky | Corrosion behavior of titanium nitride coated Ni-Ti shape memory surgical alloy[END_REF][START_REF] Shih | Increased corrosion resistance of stent materials by converting current surface film of polycrystalline oxide into amorphous oxide[END_REF] have been applied in order to enhance the Ti oxide concentration at the surface, thereby reducing the Ni concentration and improving the corrosion resistance.

For stent manufacture, three physical forms of materials are used: sheet, wire (round or flat) and tube. The selection of the stent fabrication method depends largely on the material form used. Currently, stents are produced largely by laser cutting, but also by other common methods that include electrode discharge machining, waterjet-cutting, photochemical etching from tubing, and various wire-forming techniques such as braiding and knitting [START_REF] Stoeckel | A survey of stent designs[END_REF][START_REF] Kathuria | The potential of biocompatible metallic stents and preventing restenosis[END_REF].

Geometry also plays an important role in the final mechanical properties of the stent. Early designs classified the stent geometry into three basic types: slotted tube, coil and tubular mesh [START_REF] Stoeckel | A survey of stent designs[END_REF][START_REF] Butany | Coronary artery stents: identification and evaluation[END_REF]. Slotted tube stents are produced using tubes of metal from which a stent design is laser cut. Coil stents are made by metallic wires or strips formed into a circular coil shape, while tubular mesh stents consist of wires wound together in a meshwork forming a tube. A variety of stent geometrical designs can be further fashioned within a slotted tube, coil or tubular mesh framework. There are five basic types of stent configuration and these include coil, helical spiral, woven (braided or knitted), ring (individual or sequential) and cell (closed or opened) [START_REF] Stoeckel | A survey of stent designs[END_REF]. Figure 2 depicts the number of current FDA/CE-approved stent materials and their design types.. The stents differ slightly in strut pattern, width, length, diameter, interunit connections, geometry, flexibility, radial-strength, radiopacity, surface area coverage, metal content, metal composition and/or their delivery system [START_REF] Burt | Drug-eluting stents: A multidisciplinary success story[END_REF]. These differing characteristics appear to profoundly influence both thrombosis and restenosis rates [START_REF] Mclean | Stent design: implications for restenosis[END_REF][START_REF] Gurbel | Could stent design affect platelet activation? Results of the Platelet Activation in STenting (PAST) Study[END_REF][START_REF] Kastrati | Restenosis after coronary placement of various stent types[END_REF]. For example, studies have shown that stainless steel stents with tubular and corrugated designs are superior to coil or hybrid/mesh wire designs, and also to stents with rounded strut edges or thinner struts [START_REF] Yoshitomi | Does stent design affect probability of restenosis? A randomized trial comparing Multilink stents with GFX stents[END_REF][START_REF] Rogers | Endovascular stent design dictates experimental restenosis and thrombosis[END_REF][START_REF] Hausleiter | Imp-act of lesion complexity on the capacity of a trial to detect differences in stent performance: Results from the ISAR-STEREO trial[END_REF][START_REF] Lau | A stent is not just a stent: stent construction and design do matter in its clinical performance[END_REF][START_REF] Thuesen | Randomized comparison of the coil-design Crossflex and the tubular NIR stent[END_REF]. On the other hand, thinner struts appear more favorable than thicker struts in reducing the restenosis rates [START_REF] Pache | Intracoronary stenting and angiographic results: strut thickness effect on restenosis outcome (ISAR-STEREO-2) trial[END_REF][START_REF] Hoffmann | Relation of stent design and stent surface material to subsequent in-stent intimal hyperplasia in coronary arteries determined by intravascular ultrasound[END_REF][START_REF] Briguori | In-stent restenosis in small coronary arteries -Impact of strut thickness[END_REF][START_REF] Kastrati | Intracoronary stenting and angiographic results: strut thickness effect on restenosis outcome (ISAR-STEREO) trial[END_REF][START_REF] Pache | Drug-eluting stents compared with thin-strut bare stents for the reduction of restenosis: a prospective, randomized trial[END_REF]. This suggests that stents with tubular, corrugated designs and thinner struts can be more effective in reducing the restenosis rate. Although metallic stent designs have improved the outcomes of patients undergoing percutaneous coronary intervention, the presence of permanent metallic stents has specific issues that limit their unrestricted use. These include chronic local inflammatory reactions, thrombogenicity, neointima formation, damaged endothelium, and mismatches in mechanical behavior between stented and non-stented tissues.

Pathophysiology related to stent deployment

The blood vessel wall, starting from the lumen of the vessel, consists of three layers: the intima, the media, and finally the adventitia. The layers are separated from each other by elastic fibers called the internal and external lamina. The luminal side of the intima is lined with ECs while the medial layer contains vascular SMC. The outer adventitial layer is composed of fibroblast cells (FC) and micro vascular networks. The properties of these three vascular cells play an essential role in the physiology of restenosis. Stent implantation causes physical damage to the vessel wall resulting in the stretching of the entire artery, endothelial denudation, and the compression and fracturing of the plaque. This damage also induces medial and, occasionally, adventitial dissection. In response to vessel wall injury, the body initiates a cascade of intravascular events leading to restenosis. Such events include inflammation, elastic recoil, NIH and arterial remodeling, and are each described below [START_REF] Lowe | Coronary in-stent restenosis:Current status and future strategies[END_REF][START_REF] Virmani | Pathology of in-stent restenosis[END_REF][START_REF] Bennett | In-stent stenosis: pathology and implications for the development of drug eluting stents[END_REF][START_REF] Karthikeyan | Prevention of restenosis after coronary angioplasty[END_REF].

Inflammation within the vessel wall is observed after both balloon angioplasty and stent insertion and remains throughout all phases of restenosis. The inflammatory response is a localized protective reaction of tissues to injury.

Elastic recoil is due to contraction of the elastic fibers of the internal and external elastic laminae of the blood vessel wall in response to stretching and de-endothelialization. Recoil occurs within seconds to minutes after balloon deflation and results in the loss of up to 50% of the lumen gained after balloon inflation. As such, it defines the early phase of restenosis [START_REF] Rozenman | Clinical and Angiographic Predictors of Immediate Recoil after Successful Coronary Angioplasty and Relation to Late Restenosis[END_REF][START_REF] Rodriguez | Time-Course and Mechanism of Early Luminal Diameter Loss after Percutaneous Transluminal Coronary Angioplasty[END_REF]. The rigid scaffolding provided by the stent significantly reduces elastic recoil, resulting in a larger initial gain in lumen size [START_REF] Fischman | A Randomized Comparison of Coronary-Stent Placement and Balloon Angioplasty in the Treatment of Coronary-Artery Disease[END_REF][START_REF] Serruys | A Comparison of Balloon-Expandable-Stent Implantation with Balloon Angioplasty in Patients with Coronary-Artery Disease[END_REF].

NIH occurs according to the following mechanism. Vessel injury caused by balloon angioplasty and stent deployment disrupts the endothelium, crushes the plaque and may induce medial dissection. Consequently, the sub-intimal components of collagen, fibronectin, von Willebrand factor, and laminin become exposed. This results in the adherence, activation and aggregation of platelets, and the subsequent deposition of fibrin and thrombus formation. This is termed the thrombotic phase and can last hours to days [START_REF] White | Drug-Eluting Stents Advanced Applications for the Management of Coronary Disease[END_REF][START_REF] Liu | Restenosis following coronary angioplasty potential biological determinants and role of intimal hyperplasia[END_REF]. The presence of an arterial wall injury, clot formation and a metallic foreign object attract circulating leukocytes and tissue macrophages. These de-marginate from the blood flow in what is called the recruitment phase, lasting 3 to 10 days [START_REF] Kornowski | In-stent restenosis: Contributions of inflammatory responses and arterial injury to neointimal hyperplasia[END_REF][START_REF] Komatsu | Neointimal tissue response at sites of coronary stenting in humans -Macroscopic, histological, and immunohistochemical analyses[END_REF][START_REF] Ott | Procoagulant inflammatory responses of monocytes after direct balloon angioplasty in acute myocardial infarction[END_REF][START_REF] Smith-Norowitz | Lymphocyte activation in angina pectoris[END_REF]. The infiltration of these cellular elements stimulates the production of various growth factors and cytokines locally which in turn activate the vascular SMC [START_REF] Breuss | Activation of nuclear factor-kappa B significantly contributes to lumen loss in a rabbit iliac artery balloon angioplasty model[END_REF][START_REF] Cirillo | Activated platelets and leucocytes cooperatively stimulate smooth muscle cell proliferation and proto-oncogene expression via release of soluble growth factors[END_REF][START_REF] Rectenwald | Direct evidence for cytokine involvement in neointimal hyperplasia[END_REF][START_REF] Furukawa | Anti-monocyte chemoattractant protein-1 monocyte chemotactic and activating factor antibody inhibits neointimal hyperplasia in injured rat carotid arteries[END_REF]. Within the SMC, cyclin-dependent kinases and cyclins (regulators) drive the cell from one phase to another according to the following cycle: G0, the resting phase; G1, the growth phase; S, replication of DNA; G2, preparation for division; and M, cell division. Collectively, they control the cell-cycle progression and therefore the reproduction of SMC [START_REF] Schwartz | Pathophysiology of coronary artery restenosis[END_REF][START_REF] Salam | Drug-eluting coronary stents[END_REF][START_REF] Clowes | Significance of Quiescent Smooth-Muscle Migration in the Injured Rat Carotid-Artery[END_REF]. The end result is the uncontrolled proliferation and migration of vascular SMC to the intima and stent lumen. The deposition of extracellular matrix by these cells eventually expands the neointimal layer within the stent lumen in what is called the neointimal proliferative phase. This phase may last weeks to months [78][START_REF] Wong | Drug-eluting stents: The end of restenosis?[END_REF]. If the neointimal growth process is exuberant and significantly encroaches on the vascular lumen, then it will lead to in-stent restenosis. Stent deployment causes deeper vascular injury, more extensive thrombus formation and subsequently a greater degree of NIH than the original injury caused by balloon angioplasty [78][START_REF] Wong | Drug-eluting stents: The end of restenosis?[END_REF]. DES have the important advantage of pharmaceutically inhibiting NIH, but they also impair re-endothelialization leading to delayed arterial healing and potential late stent thrombotic events [START_REF] Joner | Pathology of drug-eluting stents in humans -Delayed healing and late thrombotic risk[END_REF].

Injury to the adventitial layer of the vessel wall results in arterial remodeling via FC proliferation, transformation to myofibroblasts, collagen synthesis, adventitial thickening, and increasing cell density [START_REF] Salam | Drug-eluting coronary stents[END_REF]. This leads to a change in the artery wall size by constrictive remodeling without a change in arterial wall mass. Remodeling occurs within weeks to months after percutaneous coronary intervention [START_REF] Salam | Drug-eluting coronary stents[END_REF]. Stenting eliminates the vascular remodeling by acting as a mechanical scaffold within the vessel [START_REF] Lowe | Coronary in-stent restenosis:Current status and future strategies[END_REF][START_REF] Daemen | Drug-eluting stent update 2007 part I: a survey of current and future generation drug-eluting stents: meaningful advances or more of the same?[END_REF].

All these aforementioned events lead to restenosis, which is usually defined as a decrease in the luminal diameter of more than 50% at follow-up angiography. The restenosis rate is approximately 30-50% following balloon angioplasty [START_REF] Fischman | A Randomized Comparison of Coronary-Stent Placement and Balloon Angioplasty in the Treatment of Coronary-Artery Disease[END_REF]. This rate is reduced by an additional 20-30% [START_REF] Serruys | A Comparison of Balloon-Expandable-Stent Implantation with Balloon Angioplasty in Patients with Coronary-Artery Disease[END_REF] by bare metal stents, and further reduced by approximately 10% by DES [START_REF] Morice | A randomized comparison of a sirolimus-eluting stent with a standard stent for coronary revascularization[END_REF][START_REF] Moses | Sirolimus-eluting stents versus standard stents in patients with stenosis in a native coronary artery[END_REF]. However, despite advances in stent technology, the basic mechanism behind restenosis remains an area of highly active and ongoing research.

Chemical modifications to improve stent-vascular compatibility

Since stent technology fails to completely reduce sub-acute thrombosis and restenosis, systemic drugs (mainly anti-platelets and anti-thrombogenics) are administered in conjunction with stent implantation. In vitro data utilizing systemic drugs suggests that controlling mural thrombus formation may also reduce NIH. Dual anti-platelet therapy has greatly reduced the acute and sub-acute stent thrombosis rates. However, in clinical trials, systemic administrations of combinatory medicines have not demonstrated decreased restenosis rates [START_REF] Unterberg | Reduced Acute Thrombus Formation Results in Decreased Neointimal Proliferation after Coronary Angioplasty[END_REF][START_REF] Schwartz | Neointimal thickening after severe coronary artery injury is limited by short-term administration of a factor Xa inhibitor -Results in a porcine model[END_REF][START_REF] Kastrati | Restenosis after coronary stent placement and randomization to a 4-week combined antiplatelet or anticoagulant therapy -Six-month angiographic follow-up of the intracoronary stenting and antithrombotic regimen (ISAR) trial[END_REF][START_REF] Ellis | Acute platelet inhibition with abciximab does not reduce in-stent restenosis (ERASER study)[END_REF][START_REF] Tsuchikane | Impact of cilostazol on restenosis after percutaneous coronary balloon angioplasty[END_REF][START_REF] Lee | Prospective randomized trial of corticosteroids for the prevention of restenosis after intracoronary stent implantation[END_REF][START_REF] Meurice | Effect of ACE inhibitors on angiographic restenosis after coronary stenting (PARIS): a randomised, double-blind, placebo-controlled trial[END_REF][START_REF] Serruys | A multicentre randomized placebo controlled clinical trial of trapidil for prevention of restenosis after coronary stenting, measured by 3-D intravascular ultrasound[END_REF].

The ineffectiveness of systemically administrated drugs may be due to their adverse effects and inadequate concentrations at the site of the stent implantation [START_REF] Babapulle | Coated stents for the prevention of restenosis: Part I[END_REF]. The limitations of these drugs have led to the development of stent surface modification approaches such as surface treatment and stent-coating systems. The former method is used mainly to obtain a clean and smooth surface texture for coronary stent material applications. The latter system is chiefly used as a platform for the facilitation of drug loading, while few stent coating materials are being used solely as a backbone material.

Stent surface treatments

Studies have shown that a rough surface is more prone to thrombogenicity [START_REF] Depalma | Investigation of 3-surface properties of several metals and their relation to blood compatibility[END_REF][START_REF] Hecker | Roughness and Thrombogenecity of the outer surfaces of intravascular catheters[END_REF] and thus surface treatments are essential to obtain a contamination-free and smooth surface for stent material applications. Various stent surface treatments include mechanical polishing, electropolishing, ultrasonic cleaning, chemical etching and degreasing as well as lowpressure plasma etching [START_REF] Trigwell | Effects of surface treatment on the surface chemistry of NiTi alloy for biomedical applications[END_REF]. Electropolishing possesses several compelling advantages that render it the most popular surface treatment method [START_REF] Eliaz | Innovative processes for electropolishing of medical devices made of stainless steels[END_REF]. Firstly, it can be performed on complex substrate shapes such as endovascular stents, leading to a well-passivated, smooth, defect-and contaminant-free surface. Secondly, it allows the removal of non-metallic inclusions and irregularities related to the initiation of various corrosion processes, especially localized corrosion. The electropolishing process features a metal that is anodically polarised in a suitable electrolyte solution together with a metal cathode [START_REF] William | ASM Surface Treating and Coating Division Council[END_REF]. Many parameters influence the electropolishing process. Such parameters include anodic current density, applied potential, bath temperature, polishing time, composition and concentration of electrolytes, agitation method and the anode-to-cathode surface area ratio (the geometry and gap between the two electrodes) [START_REF] Eliaz | Innovative processes for electropolishing of medical devices made of stainless steels[END_REF]. Prior to electropolishing, acid pickling/descaling and annealing [START_REF] Haidopoulos | Development of an optimized electrochemical process for subsequent coating of 316 stainless steel for stent applications[END_REF] are utilized to remove surface impurities such as debris, slags, scales, burrs and any other unwanted depositions caused by the laser cutting of the steel into a stent [START_REF] Zhao | Electrochemical polishing of 316L stainless steel slotted tube coronary stents[END_REF][START_REF] Raval | Development and assessment of 316LVM cardiovascular stents[END_REF]. Some studies have reported that the polishing of coronary stent materials decreases clot and fibrinogen deposition [START_REF] Wang | Biocompatibilisation of coronary artery stents[END_REF] and may also reduce NIH in animal models [100][101][102][103]. To prevent the oxidation and deterioration of the stent product, surface passivation is performed after electropolishing [START_REF] Raval | Development and assessment of 316LVM cardiovascular stents[END_REF]. This is followed by disinfection with isopropyl alcohol to prevent microbial contamination on the stent surface prior to drying with a hot air drier [START_REF] Raval | Development and assessment of 316LVM cardiovascular stents[END_REF]. Surface smoothness and passivation of stents play important roles in reducing the restenosis rates. This needs to be taken into consideration in the development of new coating materials, especially those for drug-elution applications as these coatings may have different surface roughnesses compared to bare metal stents.

Stent coatings

Device coating is an essential feature with respect to the design of stents since it affects both angiographic and clinical outcomes. Some materials exhibit superior mechanical properties but have unfavorable biocompatibilities, while other materials with better biocompatibility are not suitable for stent mass production because of unsuitable mechanical properties. The overall goal of stent coating thus involves combining the most desirable characteristics of different materials. From the literature [START_REF] Haidopoulos | Development of an optimized electrochemical process for subsequent coating of 316 stainless steel for stent applications[END_REF], three main points have been highlighted for optimal stent coating. Firstly, it is necessary to perform the coating on a contamination-free metallic surface. Secondly, the surface roughness must be minimal compared to the film thickness to obtain good uniformity and adhesion of the film. Finally, the coating must be stable both when applied to the stent and during deployment.

The techniques commonly used for the production of stent coatings include galvanization

[104], sputtering followed by ion bombardment [104], pulsed biased arc ion plating [105],

dipping [106], spraying [107] and plasma-based depositions [108]. Coatings have been employed primarily to enhance stent biocompatibility, but recently they have also become a platform for the controlled delivery of drugs used to inhibit NIH [START_REF] Mani | Coronary stents: A materials perspective[END_REF]. Stent coatings can be broadly classified into passive and active coatings, both of which will be discussed further in the following subsections.

Passive coatings

Passive coatings act only as an inert barrier between the bloodstream/tissue and metal with good biocompatibility on a backbone material. Passive coatings are divided into inorganic and organic compounds, both of which are thought to be less thrombogenic and inflammatory, and are thereby potentially able to reduce NIH [109]. Inorganic coating materials include metals, semiconductors, carbon compounds and ceramic coatings. Organic materials such as biostable, biodegradable and some biological polymers are utilized either as stent coatings or as vehicles for drug loading. Heparin, a biological coating, is applied as both a passive and active stent coating for drug-eluting platforms.

Inorganic stent coatings

Generally, inorganic coatings demonstrate a high degree of inertness (chemical stability), as well as good mechanical stability. This stability relegates them to mainly serve as passive hemocompatible coatings and corrosion inhibitors. The most commonly used inorganic coating materials for stents are metals such as gold (Au), chromium (Cr), titanium (Ti), platinum (Pt), and copper (Cu). Other inorganic stent materials include semiconductor silicon carbide (SiC), carbon compounds, and ceramic metal oxides [for example iridium-oxide (IrO) and titanium-nitride/oxide].

Gold is a chemically inert, radio-opaque, anti-corrosive material allowing facile stent deployment [START_REF] Babapulle | Coated stents for the prevention of restenosis: Part I[END_REF][110][111]. Edelman et al. demonstrated that the thermal processing of Au coatings plays a significant role in neointimal proliferation in a pig model [112]. Human clinical trials, however, showed stent restenosis equivalency with uncoated stents [113][114],

or enhanced neointimal formation compared with uncoated stents [START_REF] Hoffmann | Relation of stent design and stent surface material to subsequent in-stent intimal hyperplasia in coronary arteries determined by intravascular ultrasound[END_REF][115][116][117][118]. Gold is no longer considered as a desired coating material due to its additional demonstrated thrombogenic nature.

Cr, Ti, Pt and Cu materials are known for their corrosion-resistant properties [111]. Ti reduces intimal growth, although this requires substantiation via clinical trials [104]. Pt and Cu induce prominent neointimal proliferation and stent thrombosis in animal models [104].

SiC is an amorphous, hydrogen rich semiconductor and may be less thrombogenic and inflammatory than bare metal stents [119][120]. In vitro studies on SiC-coated stents reported a marked reduction in fibrin and thrombus formation [121]. Human studies with SiC-coated stents showed less acute thrombosis compared with bare metal stents [122], but reported no significant effect on NIH [123][124][125]. A diamond-like carbon coating is a chemically inert carbon-based material with improved biocompatibility [126]. Diamond-like carbon coated stents reported decreased NIH and restenosis in porcine arteries [127]. This study also showed that single layer diamond-like carbon coatings reduce NIH in a porcine model whereas two layers were not beneficial. Clinical trials in relatively high-risk patients showed that the "Carbostent TM " (Sorin Medica, Italy), a metal stent coated with carbon, can significantly reduce stent thrombosis and restenosis [128]. However, these results were not supported by another study in terms of clinical outcomes [129].

IrO is a highly biocompatible inert ceramic material. A study in a porcine model showed that IrO stent coatings reduce neointimal thickness from 118µm to 55µm when compared to a bare metal stent [130]. A 316L stainless steel stent product called "Lunar TM " (Inflow Dymanics, Munich, Germany) features a thin inner layer of gold for radiopacity and an outer layer of IrO for improved vascular compatibility (144). A clinical trial registry investigated the immediate and long-term effect of IrO coatings and reported that the overall angiographic restenosis rate was 13.8% [131]. This was attributed to the peroxide scavenging effect of the coating [131]. However, there is no clinical evidence to support its mechanism in vivo and there is an absence of randomized controlled clinical trials on this subject.

The titanium-nitride oxide (TiNOX) stent coating material acts as a barrier for metal ions and demonstrates high biocompatibility. Two types of titanium-nitride oxide stent coatings, TiNOX1 and TiNOX2, have been reported with ceramic and metallic properties. In an early porcine study, both titanium-nitride oxide stent coatings showed reduced in-stent thrombosis and neointimal proliferation [132]. In two clinical trials, titanium-nitride oxide coatings recorded angiographic restenosis rates of 15% and 33% with a reduction in major adverse cardiac events (MACE) [133]. This coating has been demonstrated to be safe and effective even in unrestricted clinical studies that include high risks patients and complex lesions.

Compared to DES, titanium-nitride oxide coated stents reported reduced MACE rates in long-term clinical trials [134][135]. The preponderance of data suggests that TiNOX stents have smaller MACE and target lesion revascularization event rates when compared to Taxus drug-eluting stents [135]. This appears to be one of the most promising coatings surveyed in this review, even despite the lack of a significant position in the marketplace.

Organic compounds

Organic polymers generally allow wider accessibility for chemical surface modification compared to inorganic substrates. Nevertheless, they are also more prone to alterations and hydrolytic degradation in the biological environment. A variety of biostable polymers, biodegradable polymers and biological materials are used as passive organic stent coatings. Poly-bis-trifluoro-ethoxy phosphazene (PTFEP)-coated stents show good biocompatibility in a pig model for up to 6 months, offering surprisingly complete endothelial recovery at 5 days [136,138]. Newly-developed poly (ester-amide) elastomers suggest that a slowly degrading material is suitable for stent-based local delivery in a porcine study [136,139]. Consequently, biodegradable polymers with incorporated drugs have been developed (see section 4.2.2.3).

A variety of biocompatible polymers such as phosphorylcholine, hyaluronic acid, fibrin, and heparin are used as passive organic stent coatings. Biocompatible coatings must at least offer a surface that reduces undesirable tissue reactions, or preferably mimic a biological substrate that can facilitate healing around the site of stent implantation. Phosphorylcholine, hyaluronic acid, fibrin, and heparin are natural biological polymers extracted from plant and animal sources.

Phosphorylcholine is a neutral, zwitterionic, and naturally-occurring phospholipidic polymer [110]. It constitutes a vital part of the human red blood cell membrane. It is vaso-compatible, non-allergenic [START_REF] Mani | Coronary stents: A materials perspective[END_REF] and has drug-elution potential. The "BiodivYsio TM " stent (Biocompatibles Cardiovascular Inc., California, USA), which is coated with phosphorylcholine, was shown to be both safe and efficacious in the treatment of restenosis [140][141][142]. However, it did not provide better results than uncoated stainless steel stents in comparative clinical studies [143]. Hyaluronic acid is a linear polysaccharide, non-sulfated glycosaminoglycan component of the extracellular matrix. Administered hyaluronic acid and immobilized sulfated hyaluronic acid both cause decreased platelet aggregation and platelet adhesion in baboon models [144]. Although hyaluronic acid-coated stents appear promising as they were able to reduce thrombosis in baboon models [144], further studies of their efficacy in humans need to be conducted. Fibrin is an insoluble protein produced during blood coagulation and is known for its biocompatible, biodegradable and viscoelastic properties [START_REF] Mani | Coronary stents: A materials perspective[END_REF]145]. Exogenous fibrin coatings show less vessel occlusion and foreign body reaction than with PU and PETP polymers [146]. Fibrin-coated stents demonstrated complete endoluminal paving by covering 100% of the arterial surface, compared to the partial coverage attained with uncoated metal stents in a pig model [147]. Furthermore, fibrin may also facilitate rapid re-endothelialization. This coating strategy, while promising, requires testing in human trials to assess its full potential [148]. Heparin is a linear polysaccharide, sulfated glycosaminoglycan known for its anti-coagulant properties. Heparin has been evaluated mainly as a fixed passive stent coating, although it has also been studied as an active coating using a drug-eluting stent platform. Heparin-coated stents reported decreased rates of sub-acute thrombosis and reduced NIH relative to uncoated metal stents in animal studies [149][150][151]. In addition, stents coated with multiple layers of releasable heparin in porcine arteries showed less neointimal formation compared with bare metal stents [152].

However, human trials comparing heparin-coated to uncoated stents showed no significant impact on stent thrombosis and restenosis [153][154][155].

Despite such polymers aiding re-endothelialization and showing less inflammatory reactions in animal studies, human trials have not shown any significant differences from results obtained with bare metal stents.

Active stent coatings

Active coatings are usually based on the effect of therapeutic compounds which are either chemically bound directly to the surface of the stent, or trapped within a three-dimensional polymer that acts as a reservoir. Physicians have attempted to mitigate restenosis by administering drugs systemically, however most were ineffective in human trials despite promising preliminary work in animal models. The reason for the failure of this approach is its inability to deliver a sufficient drug concentration at the site of injury. The current technology available for addressing the problem of concentration and averting restenosis is through the implantation of DES. These stents release one, or several bioactive agents into the blood and artery wall to reduce restenosis rates dramatically. DES can deliver higher concentrations of a drug locally without adverse systemic effects. DES can be divided into three main components: the stent, the pharmaceutically active compound, and a drug carrier (usually a polymer). The ideal DES should hinder thrombus formation, inflammation and cellular proliferation as well as enhance re-endothelialization [156]. The following topics for active stent coatings are discussed in the ensuing sub-sections: polymer-based, polymer-free and biodegradable DES, and healing-based approaches.

Polymer-based DES

Most of the pharmaceutical agents released by DES are blended with synthetic polymers that act as drug delivery vehicles which elute the active agent over time [START_REF] Babapulle | Coated stents for the prevention of restenosis: Part I[END_REF]. Unfortunately, many of these polymer-coated DES induce marked inflammatory and adverse responses in animal [START_REF] Babapulle | Coated stents for the prevention of restenosis: Part I[END_REF]136,157] and human subjects [START_REF] Nebeker | 54th Annual Scientific Session of the American-College-of-Cardiology[END_REF][START_REF] Mani | Coronary stents: A materials perspective[END_REF][158][159][160]. Additionally, polymer-based DES delay re-endothelialization and are considered as a significant factor in late stent thrombosis [START_REF] Ong | Late angiographic stent thrombosis (LAST) events with drug-eluting stents[END_REF]161] that can result in myocardial infarction and death [162]. Moreover, the incidence of stent related late thrombosis is reported to be higher in current polymer-based DES than bare metal stents, particularly after discontinuation of dual anti-platelet therapy [18-22, 26, 80].

Therefore, current research is focusing on biomimetic polymers such as phosphorylcholine and heparin (as mentioned in section 4.2.1.2), hydroxyapatite coatings (see section 4.2.2.2), novel biodegradable polymers, new stent materials (for specific lesions), and new drug combinations as well as biodegradable stents (described in section 4.2.2.3) to overcome the aforementioned problems of DES. Consequently, there is a need to develop devices for the delivery of drugs from stents using alternatives to the polymer-based vehicles. Thus, the optimal composition of a DES in terms of the combination of the stent, active drug, and

carrier has yet to be resolved in the development and management of CAD.

Polymer-free DES

Many alternative methods are under development for local delivery of drugs from stents without using permanent polymers or other carriers so as to avoid adverse responses from vascular ECs. Several of the non-polymer-based drug delivery technologies (porous platforms, strut micro-reservoirs, chemically-modified stents, magnetic nanoparticles and a stent free approach) that have been studied and reported in the literature for the treatment of CAD will be described here.

Porous coating materials that are currently being used for drug-loading include aluminum oxide, hydroxyapatite, carbon-carbon coatings and bare stainless steel stent surfaces. An aluminum oxide (Al2O3) stent coating is a highly biocompatible, inert ceramic material that can act as a vehicle for drug loading. Nanoporous surfaces have been produced by coating the stents first with a thin layer of aluminum by physical vapour deposition, with subsequent electrochemical conversion of aluminum to nanoporous Al2O3 [163]. A porcine study demonstrated that ceramic nanoporous Al2O3 coronary stent coatings (Yukon ® , Jomed, Rangendingen, Germany), in combination with Tacrolimus (an immunosuppressive drug), reduced both neointimal formation and the inflammatory response [163]. However, it was recently revealed that particle debris released from the nanoporous stent coating diminished the inhibitory effect of Tacrolimus [164]. Furthermore, clinical trials using this approach were not successful and this stent is currently not in use [165]. This technique is limited with regard to the drug-loading capacity and control over the drug-release kinetics. One study showed that uncontrolled release occurs when drugs adhere to the outer surface of the coating rather than being deposited within the pores [166]. Another study suggests that open porous coatings may either require small pores to trap the drug for a longer period of time, or even a second coating to slow the rate of drug release [START_REF] Mani | Coronary stents: A materials perspective[END_REF].

Hydroxyapatite is a crystalline calcium phosphate. It is a biologically inert material and has also been used as a platform for drug delivery. In a study using pigs, nanoporous hydroxyapatite-coated stents (without drugs) exhibited a biocompatibility that was equivalent to that of uncoated stents [167]. A preliminary clinical trial of hydroxyapatite-coated stents loaded with anti-restenotic drugs showed promising results [168]. However substantial engineering challenges must be overcome in order to ensure durability and integrity of these ceramic coatings. This presents substantial challenges not only after deployment, but also during device construction, tracking through complex anatomy, and also when being positioned by direct stenting against hard lesions.

Microporous surfaces were created on stainless steel stents by a sandblasting technique. In porcine arteries, microporous stainless steel stents (Yukon (R) DES; Translumina, Hechingen, Germany) showed the ability to retain and release a drug over an extended period of time.

This allows for dose adjustable, multiple and on-site coatings of drugs on metal stents [169].

Recent clinical trials demonstrated that this system was therapeutically effective when used in combination with Rapamycin (an immunosupressive drug) [170]. Although the clinical performance of sandblasted stents is encouraging, the on-site loading of drugs in clinics before stent insertion may introduce quality control issues.

Porous carbon-carbon coatings possess a glassy polymeric carbon matrix and pyrolytic carbon compounds. It appears that when the coating is initially in a polymer-based slurry with carbon particles dispersed, subsequent pyrolysis changes the mixture to the carboncarbon matrix, with porosity controlled by the carbon particle size and the extent of pyrolysis.

A preclinical evaluation using this drug-loaded coating on a CoCr stent showed the concept to be both safe and effective, although the study did lack a proper control experiment [171].

Further short-and long-term clinical trials using this technology are in progress. Reservoir surfaces have been produced by laser cut holes on stent struts and the holes were then loaded with drugs. However, the clinical effects of such stents (Carbostent TM , Sorin Group, Italy)

were not significantly different from control treatments Au [189][190] and [191][192][193][194][195][196][197] surface are well studied, the application of these strategies to coronary stents is very limited despite their widespread use in other biomedical applications. The formation of SAMs on key vascular stent materials such as 316L stainless steel [198][199], CoCr [200], NiTi [201][202] and Ta [203][204] is currently under investigation. In addition, an investigation of the long-term stability of SAMs on these stent materials is required. Although there are still some challenges to be overcome in the successful utility of polymer-free DES, these platforms do offer promising alternatives to the currently available polymer-coated DES.

Current DES platforms have limitations with respect to the adjustment of drug dose and release kinetics at the diseased arterial site. Maintaining constant therapeutic levels of drugs is not trivial a task. To address these challenges, local drug delivery mediated by stent targeted magnetic nanoparticles using uniform magnetic fields has been investigated. In a rat carotid artery study, enhanced retention of Paclitaxel-loaded biodegradable magnetic nanoparticles in the presence of a controlled and uniform magnetic field resulted in significant inhibition of SMC proliferation with a relatively low drug dose [205]. In addition, biodegradable magnetic nanoparticles were also used as a vehicle for loading both ECs and 304 stainless steel stents at the targeted site to promote artificial re-endothelialization and repeated dosing [206]. Although this approach seems effective, further preclinical and clinical trials are required as the strategy is still in the experimental stage.

Fully biodegradable stents

The problems of delayed re-endothelialization and late stent thrombosis that surround currently available permanent metallic DES are, in part, due to the presence of a foreign surface in contact with blood and tissue. This has stimulated research into biodegradable stents that could reduce the amount of exposure time, and thus the strain imposed on the body. Biodegradable stents provide temporary scaffolding to a narrowed arterial vessel followed by its disappearance once the vessel has healed. This approach may, in principle, reduce the risk of late stent thrombosis and thus can prevent subsequent coronary surgery.

The technique may also lead to a reduction of problems associated with the obstruction of side-branches and concerns with overhang at ostial lesions [207][208]. Moreover, this device has the potential to deliver more drugs than the thin drug coatings on metallic stents. Two It appears at this point that fully biodegradable solutions to stenting hold the greatest promise, but longer-term studies are required to fully evaluate their safety and efficacy. At the time of this review, design of a safe DES still remains a challenge in the treatment of CAD.

Healing strategies

Damage to ECs and the intimal layer of the blood vessel wall is the basis for both thrombosis and NIH [START_REF] Mani | Coronary stents: A materials perspective[END_REF]224]. Endothelialization of vascular stent surfaces is an alternative biological approach to stent design in which genetically engineered ECs are seeded on the stent prior to implantation to provide a protective natural covering which, in turn, inhibits thrombosis and NIH [225]. Van Another alternative could be a technology that exploits a pro-healing strategy, such as an anti-CD34 coating on DES to improve re-endothelialization by attracting circulating EPCs, or applying drugs on the abluminal surface and therefore allowing re-endothelialization on the luminal surface [174,243]. These newer technologies will have to undergo short-and longterms safety trials to reveal their efficiency, both of which represent major obstacles.

Physical modification of stent surfaces for improved vascular cell function

Although currently available DES have reduced the probability of restenosis to 10 %, several drawbacks, as previously mentioned, remain and thus highlights the need for further improvements. This has generated research interest in the use of stent surface topography approaches for the control of vascular cell (EC, SMC, and FC) function. These three cell types play an important role in the healing process and maintenance of cardiovascular systems and are thus likely to be in contact with biomedical implants such as stents and grafts. Surface micro-and nano-structures may provide new solutions to the key remaining challenges though the control of these cells. Firstly, such structures could promote better vascular cell adhesion functioning through a complimentary mechanism to any of the systems described above. Secondly, they could decrease the need for systemic administration of drugs in a simple and cost effective manner. Finally, they could reduce the requirement for secondary surgery after stent implantation, thereby reducing chronic pain and stress.

Micro-and nano-topographies, independent of surface chemistry, have been shown to influence EC, SMC, and FC functions such as adhesion, alignment, morphology, proliferation, migration, and profiles of gene expression. Various topographical features such as gratings, pits, posts, islands and random structures in micro-and nanoscale have been exposed to ECs (Table 2), SMC (Table 3) and FC (Table 4).

The effects of micro-topography on cellular functions have been previously studied and the methods for controlling them are well recognized [244]. Recently, nano-topographies have been receiving increasing interest because of their resemblance to the in vivo environment.

However, the underlying mechanism behind the interaction between cells and nano-textured surfaces is still not well understood. It has been hypothesized that cells, in vivo, grow on a basement membrane composed of extracellular matrix proteins such as fibrous collagen, hyaluronic acid, proteoglycons, laminin and fibronectin [244]. In addition to its biochemical and mechanical properties, the basement membrane consists of nanometer size features in the form of pores, ridges or fibers [244]. These nanoscale features can be mimicked on biomaterial surfaces to promote the cellular functions desirable for biomedical implants, tissue engineering, regenerative medicine, cell-based sensors, and high through put arrays as well as to further our fundamental understanding of the very complex interactions between cells and synthetic surfaces. The key advances reported from studies on the response of ECs, SMC and FCs to surface micron, sub-micron and nano-topographies are discussed in the following sections. The specific micro-and nano-topographies that will be mentioned are gratings, pits, posts, islands (Figure 3) and random geometries.

Fabrication of artificial micro-and nano-structured surfaces

Recent 

Endothelial cell (EC) responses

Previous studies have reported that ECs could respond viably to surface topographical features in the micrometer, sub-micrometer and nanometer ranges summarized in Table 2.

For example, Palmaz et al. [253] noticed that surface discontinuities at the microscopic scale influenced the conformation and motional dynamics of migrating ECs on NiTi surfaces. They also studied the effect of defined surface features on EC migration speed, long axis orientation, shape, size and density. It was concluded that these rates significantly increased (up to 64%) on surfaces with gratings ranging from 3 to 22 μm when compared to flat control surfaces. As a consequence of the increased migration rate, the ECs had a more elongated shape on the grating surfaces. These results were supported by a more recent study [254] in which stents with microscopic parallel gratings were placed in the carotid arteries of pigs.

The authors reported that one week after implantation, stents with grated surfaces exhibited an endothelialization rate that was almost double that observed on stents with smooth substrates [258]. In short, many in vitro studies have reported that substrates with a grating pattern favor the adhesion, migration, alignment, and morphology of ECs. However, there have also been a number of reports describing reduced proliferation. This could be the result of either a surface chemical or topographical effect and requires further evaluation.

Nevertheless, grating features created both on metallic and polymeric biomaterials demonstrated EC morphology and environments similar to the native endothelium. Therefore, grating geometries could be a useful therapeutic target for stent design and may enhance EC growth and healing.

The effect of nano-island geometry on EC behavior has also been investigated. For instance, EC spreading relative to that on flat control surfaces [261]. These studies highlight that slight changes in feature height produce large changes in EC behavior. In addition, surface chemistry may also have an effect on EC response because there is variation in the polymer mixtures and solvents employed for fabrication of the nano-structures. This result has been corroborated by Buttiglieri et al. [262] and Barbucci et al. [263]. Buttiglieri et al. also noticed a similar effect on a co-culture of ECs and leucocytes. ECs grown on all nano-island substrates adopted a curved/arcuate morphology [261] similar to that found in ECs that line the vasculature. Nevertheless, nano-geometrical islands have been shown to increase endocytotic activity [259]. In summary, these studies reveal that nano-island feature size and surface chemistry plays an essential role in EC adhesion and morphology and thus must be taken into consideration in the design of stent materials. However, this type of geometrical feature produced by polymer de-mixing applies to polymers only, while grating patterns can be created both on metallic and polymeric substrates.

A limited number of studies on the response of ECs to nano-posts have been reported. Of show that even a random nano-rough surface can influence EC behavior, which could be taken into consideration for stent designs and coating applications. However controlled feature dimensions, which is essential for reproducibility, cannot be obtained using this method,

It is interesting to note that even a simple chemical treatment can lead to nano-rough These studies indicate the influence of various nanometer-rough surfaces in manipulating EC functions. Furthermore, variations in results were evident with different polymer materials even though the materials were treated with the same chemical. This implies that the selection of polymer and chemical treatment in creating random nano-structures plays a vital role on EC behavior.

Overall, of all the geometrical features described here, nano-grating topographies seem to promote significant EC adhesion, migration, alignment, and elongation. However reduced proliferation, when compared to other topographical features, has been demonstrated by in vitro studies. For example, nano-islands and nano-posts show increased proliferation. These studies highlight interesting observations about the feature size, feature geometry and surface chemistry effect on EC response. This approach may be useful for stent design that promotes healing of the vascular endothelium. However, this strategy is still under development and further in vivo studies are needed. No data on the influence of nano-pits on EC function have yet been reported. As such, further studies on nano-pits will be important.

Smooth muscle cell responses

Micro-and nano-grated topographies have been shown to influence the response of smooth muscle cells (SMC) on surfaces (Table 3). [278]. These studies showed that grating features can enhance the SMC alignment, elongation, and migration with a reduction of cell proliferation, similar to the effects on EC behavior. However, the studies of SMC on grating topographies were conducted on polymers and not on metal substrates. In this respect, it is important to again note that surface topography and material chemistry have an effect on cell behavior.

In a study by Richert et al., it was shown that there is no substantial influence of nano-pits in As with ECs, grating topographies promoted SMC adhesion, alignment, elongation and decreased proliferation and decreased gene expression, whereas nano-pit and random topographies resulted in opposite effects. However, the influence of micro-and nano-gratings on the behaviour of SMC has only been examined for polymers

Fibroblast cell (FC) responses

FCs are widely studied as a model to investigate the influence of micro-and nano-grating island, pit and post geometries on cellular function ( topographies. This is similar to the results observed for ECs. These studies also point out the importance of feature depth, where FC growth was limited on wider and deeper grated features. could be an important consideration in the development of stent designs.

Many studies have been conducted on FC response to nano-island geometry. Berry et al.

demonstrated increased FC adhesion, spreading, morphology and cytoskeleton organization on nylon tubes exhibiting an internal nano-topography that was generated through polymer de-mixing [293]. Similarly, Dalby et al. reported a wide range of FC responses to nanoisland topographies with heights of 10, 13, 27, 35, 45, 50, and 95 nm that were also created using polymer de-mixing [294-297]. The 10, 13 and 27 nm islands increased FC adhesion However the cell morphology was more elongated on the nano-posts, an effect noticed for up to seven days in culture [306]. Scanning electron microscopy images of adhered FCs on these nano-post surfaces revealed that the cells conformed to the shape of the surface projection.

Genes related to cytoskeletal formation and proliferation was found to be up-regulated. Cell cycle analysis of FC centromere positioning during interphase on nano-posts demonstrated that the centromeres were considerably closer together on the nano-posts compared to planar controls, which may impact cell proliferation [307][308]. In summary, nano-post geometries reviewed here showed reduced FC growth and increased gene expression.

FC behavior has also been investigated on random nano-rough geometries (Table 4). treatment showed no considerable effect on FC adhesion. These random geometrical features can be applied for stent material design or drug delivery applications for the treatment of restenosis.

In general, stronger alignment, elongation, migration and decreased proliferation of FCs were reported on grated surfaces compared to island, post, pit and random topographies. The studies surveyed here also showed that feature depth, height and surface chemistry have a significant influence on cellular response. Lastly, it should be mentioned that nano-island and nano-post geometries were limited to polymers only.

Summary of studies on vascular cell responses to nano-structured surfaces

The formation of an EC lining on stent surfaces promotes healing of the vascular tissue, while SMC and FCs are mainly responsible for the restenosis of arteries. Therefore, the purpose of nano-structuring stent surfaces is to promote high EC adhesion, proliferation and migration and at the same time limit the adhesion, proliferation and migration of SMC and FCs. Such stent surfaces, which can selectively favour the growth of ECs over FCs and SMC could, in principle, reduce the risks of restenosis.

The shape and dimension of the nanostructures used on the stent surface play an important role on cell growth. In addition, nano-island and nano-post geometries are limited to polymeric materials whereas grating, pit and random features can be fabricated on both metallic and polymeric substrates. Gratings favor adhesion, alignment, elongation and migration and also reduce proliferation of all the vascular cells. Island structures on the substrate surface increases adhesion, proliferation, cytoskeleton organization and gene expression of ECs and FCs at dimensions of less than 27 nm whereas as above 27 nm, the same islands cause a decrease in these aforementioned cell responses. This highlights the importance of the feature height in promoting or reducing the growth of vascular cells. SMC and FC responses reported on nano-pits decreased the growth and increased the proliferation, filopodia interaction and gene expression.

Materials used for the preparation of nanostructures can also impact cell behaviour. For example, an increase in the adhesion of ECs and FCs has been observed on nano-post PEG surfaces with depths of 300-500 nm, a pitch of 150 nm and a diameter of 50 nm, whereas a reduction in the adhesion and proliferation of FCs was noticed on nano-post surfaces of PMMA with depths of 100 nm, a pitch of 300 nm and a diameter of 120 nm. This could either be the result of the differences in material chemistry or nano-post dimensions, and thus requires further investigation. Enhanced EC and SMC adhesion and reduced FC adhesion were demonstrated on random topographies of PLGA and PCL surfaces. Similarly, enhanced EC adhesion and gene expression of SMC, but reduced proliferation of SMC was observed on nano-rough TiO2 surfaces. However, the reproducibility of responses for all vascular cell types could be an issue with random topographies.

Vascular cell responses to micro-or nano-topographies rely on many factors such as cell type, feature size, feature geometry, and the physico-chemical properties of the substrate materials. No surface topography so far has been identified that promotes the adhesion of ECs over SMC and FCs. Future studies must be aimed at revealing the apparent reliance of the differential adhesion of vascular cells on feature dimension and geometry. Moreover, there are no widely accepted mechanisms for the effect of surface nano-topography on cell proliferation. Additional studies must be conducted to further examine the potential impact of nano-island, nano-post and nano-pit geometries on vascular cell migration profiles. No studies have been reported on the response of ECs to nano-pits and the influence of nanoposts and islands on SMC, so further studies on these strategies would be useful.

Furthermore, studies must be conducted on nano-structured 316L stainless steel, CoCr and Ta vascular stent materials. To the best of our knowledge, no investigations have been reported using these substrates which are commonly used for the fabrication of commercial stents.

However, this does not appear to represent an ideal design as none of the in vitro topographic studies reported selective EC adhesion over SMC and FCs. Complementary approaches such as antibody-coated SAMs on nano-structured stent surfaces could facilitate the selective adhesion of circulating EPCs and promote endothelium healing. However, additional in vitro and in vivo studies must be conducted to assess the efficacy of this strategy.

Conclusion and future outlook

Over the past thirty years, improvements in percutaneous interventional approaches to CAD have led to a decrease in the restenosis rate to 10 %. An alternative strategy to stent design is to create biomimetic stent surfaces that could model the native structure of the healthy endothelium and hence promote faster healing of the vessel lumen after stent implantation. In vitro data suggests that micro-and nanoscale substrate topographies improve cell adhesion and migration but also reduce proliferation of vascular cells such as ECs, SMC and FCs. The ideal nano-structured substrate would facilitate reendothelialization while inhibiting SMC and FC growth which are both responsible for restenosis. This might improve stent performance by eliminating the occurrence of in-stent restenosis. Such an approach could also be used in conjunction with current strategies that utilize bioactive agents or polymer-based drug delivery. However, this technology is still in the experimental phase. Another challenge that needs to be addressed is the engineering aspects related to the mass fabrication of such nano-structured stents. This approach will also need to be evaluated in preclinical and clinical studies. 

Acknowledgements

  ), polyester (Dacron), a blend of polymethylmethacrylate (PMMA) and poly-2-hydroxyethyl methacrylate (PHEMA), fluorine-acryl-styrene-urethanesilicone (FASUS) copolymer, parylene, and amphiphilic polyurethane (PU). These materials reduce restenosis with varying degrees of success[START_REF] Mani | Coronary stents: A materials perspective[END_REF] 109, 136]. However, several polymer coatings have been associated with inflammation and increased neointimal formation in animal studies[136]. Nevertheless, the long-term outcome has not yet been assessed.Biodegradable polymers have also shown good mechanical stability and sufficient blood compatibility. However, polymers such as polyglycolic acid (PGA)/polylactic acid (PLA), polycaprolactone (PCL), polyhydroxybutyrate valerate (PHBV), poly orthoester (POE) and polyethyleneoxide/polybutylene terephthalate (PEO/PBTP) demonstrated extensive inflammation and enhanced neointimal proliferation in a pig artery[137]. Recently, stents coated with poly-(organophosphazene) (POPZ) and poly(L-lactic acid) (PLLA)[109, 136] exhibited less thrombogenesis, although their long-term effects have not yet been studied.

  [172]. In clinical trials, the direct attachment of the drug onto the stainless steel surface, without the use of polymers or any other drug delivery vehicles, showed no significant reduction in restenosis compared to bare metal stents[173]. A recent in vitro study demonstrated that a simple ethanol cleaning and heat treatment step after drug deposition improves the stability of the antiproliferative drug, Paclitaxcel, on Co-Cr alloys and allows the drugs to be delivered at a slower rate than uncleaned and unheated samples[174].In order to promote sustained drug release, drugs may also be chemically attached to metallic stent surfaces through the use of a self-assembled monolayer (SAM) intermediary. SAMs are single-layered molecular coatings that can be deposited on metal/metal oxide surfaces by the chemisorption of organic molecules from a contacting solution. Surface modification of biomaterials using SAMs has many potential biomedical applications. A range of biomolecules such as proteins[175][176], peptides[177][178], DNA[179][180], and antibodies [181-182] have been attached to SAMs. RGD peptides [183] and bone morphogenic proteins (BMP) [184] have also been tethered to SAMs to facilitate cell attachment on Ti surfaces. Recently, this technique has become a platform to coat and release therapeutic drugs directly from metal surfaces [185-187]. For instance, Mani et al. studied the interactions of human umbilical vein endothelial cells (HUVEC) with control, SAM and therapeutic SAM (TSAMs) coated Ti and Au specimens (TSAMs were SAMs derivatised with the drug, Flufenamic acid). This in vitro study demonstrated that SAMs and TSAMs do not elicit adverse reactions from HUVEC [187]. However, this approach needs to be verified in animal models and human subjects. Studies have shown that surface wettability, roughness, charge, chemical composition and density of terminal functional groups are among the key factors that determine the adhesion and proliferation of cells on any material surface [187-188]. This should be taken into account when metal surfaces are coated with SAMs terminated with different functional groups, or when different varieties of therapeutic molecules are attached to SAMs for drug delivery applications. Although SAM coatings on

  types of biomaterials have been explored as a basis for making biodegradable stents. The first are organic polymers, of which poly-L-lactic acid (PLLA) and tyrosine polycarbonate are the most widely used. The second are corrodible metals, predominantly either magnesium-based or iron-based alloys. Biodegradable stents that incorporate a variety of biodegradable polymer technologies that are either in development or in clinical trials are detailed in the following paragraphs.A non-drug-eluting PLLA stent has demonstrated, in human trials, a low complication rate.However, concern has arisen about the ability to apply heat, in order to self-expand the stent, without causing possible thermal injury to the vessel wall[209]. As a result, these stents are not currently deployed in human coronaries. A biodegradable Paclitaxel-eluting coronary PLLA stent in long-term preclinical trials showed reduced proliferation and stenosis after vascular intervention[210]. However, studies with the Everolimus-eluting PLLA stent demonstrated reduced in-stent late loss and a low MACE rate of 4.4% at 9 months clinical outcomes with one non-Q wave myocardial infarction and one ischemia driven target lesion revascularisation[211][212]. This indicates that there has been considerable improvement with respect to previous versions of the stent[213][214].Acute recoil could be improved with a tyrosine polycarbonate stent, which possesses a 'slide and lock' design. In this case, a higher than anticipated target lesion revascularisation rate was observed at 4-6 months follow-up due to focal mechanical failures driven by polymer embrittlement. However, the degree of NIH was similar to that of bare metal stents[215- 216]. The stent was redesigned resulting in the second-generation ReZolve TM stent (REVA Medical, San Diego, CA). This stent has a more robust polymer, a spiral 'slide and lock' mechanism to enhance clinical performance, and a coating of Sirolimus. Preclinical trials have been performed successfully and this stent is currently undergoing clinical evaluation[217]. Another biodegradable stent design combines an anti-proliferative drug with a polymer of salicylic acid to limit inflammation[218]. This stent demonstrated successful results in pig coronary arteries and in the case of human trials, reported absence of acute or chronic recoil. However, this stent showed insufficient neointimal inhibition due to inadequate drug dosing and very quick elution of Sirolimus. This issue has been addressed in a second generation stent through an optimized design and is currently under evaluation in pig and human coronaries[219][220]. One possible improvement that could be made to biodegradable salicylic acid stents would be to combine them with an anti-proliferative drug and endothelial progenitor cell capturing antibodies (section 4.2.2.4) to facilitate endothelialization.There are few metals used in the production of biodegradable stents when compared with polymers. Biodegradable metal stents have been developed with the aim to provide superior mechanical strength, complete degradation and fast recovery of vasomotion compared to the polymer counterparts. For more detailed information on biodegradable metallic stents, the reader is referred to the review byHermawan et al. [221]. So far, three generations of magnesium stents have been introduced. The first generation AMS-1 stent, without any drug coating, showed a MACE of 26.7% at 12 months without deaths, stent thrombosis, or acute myocardial infarction in the PROGRESS-AMS trial[222]. A disappointing rate of target vessel revascularization [similar to the first generation REVA TM stent (REVA Medical, SanDiego, CA)] and in-stent late loss led to the development of a second generation, AMS-2 stent. This stent is characterized with prolonged degradation, a thinner strut thickness, and a modern design (modern designs have a square-shaped strut cross section instead of a rectangular shape in order to improve radial strength). In animal models, these changes have prolonged stent integrity and reduced neo-intimal proliferation[223]. Another version, the AMS-3 (drug-eluting AMS) stent, has been designed to reduce NIH. This version of the stent in animal trials reported a sustained release of an anti-proliferative drug at 28 days as compared to the AMS-1 stent[223]. Unlike magnesium stents, there has been little development with iron stents which remain in the pre-clinical phase. This may be partly due to the prolonged degradation times required and impending issues related with iron clearance.

  photolithography, focused-ion-beam lithography, e-beam lithography, nano-imprint

  surfaces. It was hypothesized that such patterns may reduce the time required for the endothelialization of vascular stents and thus reduces the risk of in-stent restenosis and late stent thrombosis. Other studies have proposed that since ECs align and elongate in the direction of blood flow in vivo, then the grating geometrical pattern may promote a similar trend. Lu et al., for example, designed patterned Ti surfaces composed of periodic arrays of gratings with widths and spacings ranging from 750 nm to 100 µm using a plasma based dryetch technique to study EC adhesion, proliferation and morphology. Their results demonstrated that ECs on nano-scale patterned Ti surfaces were oriented and displayed enhanced cell function as compared to smooth Ti surfaces, random nano-structured Ti surfaces and glass patterned surfaces [255]. In another study, Ashwini et al. reported enhanced EC adhesion and orientation on micro-patterned and nano-roughened poly (dimethyl siloxane) (PDMS) films (compared to the un-patterned surfaces) that were fabricated using electron-beam evaporation of pure Ti and elastomer PDMS casting [256].These studies reported that a line grating geometry induced the alignment and elongation of ECs that were similar to those encountered on native endothelium. In order to mimic the in vivo environment,Hwang et al. recently demonstrated a method for measuring the adhesion of human and calf ECs on nano-grating PLGA surfaces fabricated within a PDMS microfluidic channel using thermal imprinting and irreversible thermal bonding. The adhesion strength of ECs was measured by applying a range of shear stresses. Their results showed the greatest adhesion of ECs on nano-PLGA surfaces possessing 700 nm ridges and 350 nm gratings [257]. Bettinger et al. also showed increased EC adhesion and alignment, enhanced migration velocities and reduced proliferation on a nano-topographical surface with a line grating geometry. Moreover, this study also showed that cells form super-cellular-band structures that led to enhanced capillary tube formation on matrigel (extracellular matrix)

  these studies,Kim et al. demonstrated that nano-post PEG surfaces fabricated using capillary lithography enhanced the focal adhesion of ECs via an increase in material surface area and adhesion sites for cells[264]. Recently,Zawislak et al. showed the development of ECs on 3D nano-post silicon surfaces with a depth of 10 µm, a periodicity of 6 µm and a diameter of 0.15 µm. In a sub-confluent layer, the cells impale themselves on the pillar to the extent that even some of the cell nuclei were penetrated by the pillar tips. In a confluent layer, the pillars were no longer detectable as the cells sat on top. This study found that inhibition of myosininduced contractility caused the cells to relax around the pillars [265]. In summary, these types of 2D and 3D topographical features seem to facilitate the adhesion of ECs. It is important to note that this feature type has only been fabricated on polymer substrates. Some studies have been conducted on EC response to random topographies. For instance, Chaudhary et al. first demonstrated increased EC adhesion on Ti and CoCrMo vascular stent surfaces with random nano-structured features [266]. Recently, they have also reported enhanced EC function (including collagen and elastin synthesis) on nano-structured Ti compared to nano-smooth Ti [267]. In addition, Khang et al. demonstrated increased EC adhesion on nanometer and sub-micron rough Ti surfaces [268]. Similarly, Peng et al. showed significantly enhanced EC proliferation and secretion of (prostaglandins) PGI2 on nano-tubular TiO2 surfaces formed via anodic oxidation [269]. Samaroo et al. synthesised micron to nanometer-rough NiTi surfaces by using different constituent dimensions of NiTi powder. It was shown that ECs adhere and proliferate on NiTi surfaces with greater submicron and nanoscale roughness compared with coarse grain NiTi and conventional Ti surfaces [270]. Furthermore, Joseph et al. demonstrated increased EC adhesion on PLGA surfaces with vertical feature sizes of 0-19 nm due to an increase in surface free energy and subsequent serum protein (fibronectin and collagen type IV) adsorption [271]. These studies

  topographies. For example, Serrano et al. showed improved EC adhesion and proliferation on nano-rough poly (caprolactone) films (as compared to untreated samples) synthesised using sodium hydroxide (NaOH) etching [272]. In contrast, Miller et al. revealed decreased EC adhesion and proliferation on PLGA films with surface nano-topographies (compared to micron-sized) created using NaOH etching [273]. This result has also been corroborated using nanometer-rough silica surfaces synthesized by colloidal silica nanoparticles [274].

  For instance, Sumona et al. reported that a micrograted PDMS topography significantly enhanced the vascular SMC aspect ratio, alignment, and oriented remodeling of the extracellular matrix [275]. Glawe et al. reported high alignment of SMC on micro-fabricated PDMS surfaces created via layer by layer selfassembly of poly electrolytes. They found that the degree of alignment was channel-width dependent [276]. Houtchen et al. showed the influence of a combined cyclic strains and micro-gratings on the alignment and orientation of SMC [277]. Yim et al. showed significant elongation, alignment, and reduced proliferation of SMC on PMMA and PDMS nanopatterned gratings produced by nano-imprint lithography [278]. The same authors also demonstrated that a nanostructured surface favoured the polarization of microtubule organizing centers in the direction of the cell alignment axis, whereas in the case of nonstructured surfaces, microtubule organizing centers were polarized towards the wound edge.

  Ti6Al4V surfaces (produced by treatment with H2SO4/H2O2) on the growth of SMC [279]. In another study, Nguyen et al. showed an unchanged response in SMC adhesion, an alteration in cell morphology and enhanced cell proliferation for cells grown on 200 nm pit surfaces compared to 20 nm pit surfaces. In addition, this study also reported that exposure of SMC to 200 nm pits induced the expression of various genes involved in cell cycle processes such as DNA replication, cell proliferation and signaling transduction pathways [280]. Multiple studies have investigated the response of SMC on random nano-topographies. For instance, Chaudhary et al. demonstrated enhanced SMC adhesion and proliferation on random nano-structured metal stent surfaces compared to smooth surfaces [266]. Gao et al. studied the effect of SMC in the presence of serum on nano-rough PGA fibers prepared by surface hydrolysis with NaOH. Their results demonstrated a significant increase in the density of SMC on surface-hydrolysed PGA fibers [281]. Increased bladder cell and vascular SMC adhesion and proliferation have also been reported on nano-structured casts of PLGA, PU and PCL films that were chemically treated with NaOH [272-273] or HNO3 [282]. In contrast, Peng et al. demonstrated decreased proliferation of SMC and increased expression of smooth α-actin on nanotubular TiO2 surfaces [269].

  macrophages and not at all in keratinocytes and neutrophils[287].Lee et al. studied the influence of micro-grating dimensions on the behavior of FCs cultured on Ti substrates and revealed that micro-gratings of Ti with widths of 10 and 30 µm, as well as a depth of 3.5 µm, increased the cell viability, proliferation and up-regulation of fibronectin and integrin genes[288]. Similarly, human FCs elongated and aligned better on the micro-grated Ti substrates compared with the smooth Ti surfaces. The levels of fibronectin mRNA also increased as a result of the culture on the micro-grated surface[289]. In a different study,Biela et al. showed the FC response to grating patterns in the nanometer to micron range. Their results demonstrated stronger alignment, elongation and migration along the gratings of PDMS surfaces[290]. They also reported that a 50 nm grating depth induced the orientation response ofFCs [290]. This result is in agreement with a study conducted byLoesberg et al. who showed that a lower threshold in grating depth(35 nm) induced the alignment and orientation of FCs[291]. They also reported that gratings of depths less than 35 nm and widths less than 100 nm resulted in no cell alignment[291]. Similarly, Sun et al. studied the geometrical control of FCs on proton micro-machined 3D PMMA scaffolds. Their results indicated that wider and deeper gratings effectively retard the growth of FCs[292]. In brief, stronger alignment, elongation and migration of FCs were generally evident on grating

[

  [294][295], proliferation, cytoskeletal development and up-regulation of gene expression[296][297]. Cell adhesion and proliferation on the 95 nm islands were reduced and the cells displayed the most stellate morphologies with poorly formed cytoskeletons[296]. Cells on the35, 45, and 50 nm island surfaces had the same surface area as cells on flat controls, but with less developed cytoskeleton[295][296]. These studies highlight the fact that slight changes in feature height can produce very varied cellular responses. These experiments, however, did not reveal why the cells showed increased or reduced adhesion and growth on the different nano-islands. This type of surface structure created by polymer de-mixing is limited to polymers. Some studies have investigated the response of FCs to nano-pits. One such study byDalby et al. utilized arrays of nano-pits produced by e-beam lithography. Their results demonstrated increased cell spreading and filapodia interactions on 120 nm pits when compared to 75 nm pits, while cells on 35 nm pits had a similar number of filopodia to those grown on control samples[298]. This group also demonstrated greatly decreased FC adhesion, spreading and broad transcriptional down regulation on PMMA substrates with nano-pits possessing a diameter of 120 nm, a depth of 100 nm and a pitch of 300 nm in a hexagonal arrangement produced by e-beam lithography[299]. These studies revealed that fibroblast cells prefer to grow on smaller sized features compared to larger ones. In a different study, Richert et al. demonstrated no significant influence on FC growth by nano-pit surfaces of Ti6Al4V created by oxidation with an H2SO4/H2O2 mixture [279]. This reiterates the importance of surface chemistry on cell behavior. The effect of nano-post geometries on FC function was also investigated. Green et al. found that posts of 2 and 5 µm heights resulted in increased cell proliferation compared to 10 µm high posts and smooth surfaces. They also noted that the cells were attached to the post tops, which suggested that posts offer more mechanical interlocking units [300]. Kim et al. showed increased FC focal adhesion and growth on PEG nano-post surfaces fabricated using capillary lithography. They stated that the enhanced FC adhesion was due to increased material surface area [264]. In another study, Milner et al. observed FC adhesion and proliferation on PLA surfaces patterned with 400 nm and 700 nm posts via replication molding. Their results demonstrated increased FC adhesion and decreased cell proliferation on surfaces with 400 nm textures as compared to 700 nm textures and smooth surfaces. They proposed geometric constraints as a possible mechanism [301]. Furthermore, the same group showed that PLA topographic edge density and inter-topographic spacing enhanced FC adhesion [302]. In contrast, Hunt et al. demonstrated the effect of FC adhesion on polycarbonate and poly (etherimide) surfaces with micro-post features of varying dimensions that were generated by laser treatment. Their results demonstrated no FC orientation with respect to posts; FC spread and elongate whether in contact with posts or microsmooth materials[303]. Similarly, Dalby et al. recently demonstrated reduced FC adhesion on PMMA substrates with nano-posts(prepared by colloidal lithography) that were 100 nm in diameter, 160 nm in height and having a pitch of 230 nm. An increase in endocytosis was also noted on nano-pits using clathrin staining indicating that these nano scale features are in the same size range as those features with which the in vivo cells interact with[304]. FCs have also been studied on silicon surfaces possessing nano-posts with a height ranging from 50-100 nm and with a pitch of 230 nm that were fabricated by interference lithography and deep reactive-ion etching[305]. Human FCs were found to attach in a similar density on flat control surfaces.

  One in vitro study by Vance et al. showed decreased fibroblast numbers on NaOH-treated PLGA and PCL surfaces, as well as HNO3-treated PU [309]. Cousins et al. have also shown that nanorough surfaces created with silica nanoparticles affects FC morphology, decreases cell adhesion and inhibits cell spreading and thus cell proliferation for periods of up to seven weeks [310]. In brief, FC response to random nano-rough geometries created by chemical
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 1 Figure 1: Evolution in the treatment of restenosis from balloon angioplasty (I), to stent implantation (II) and drug-eluting stents (III).
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 2 Figure 2: Repartition of FDA / CE approved stent materials (a) and design types (b).
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 3 Figure 3: Schematic depictions of nanotopography geometries. The four basic nanotopography geometries include a) nano-gratings, b) nano-post arrays, c) nano-pits, and d) nano-islands.
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  loss of seeded cells, EC injury upon balloon expansion, and the inability to maintain cell adherence to the vessel wall under pulsatile flow[224][225]. To overcome the technical limitations of cell seeding,Bailey et al. [226] used local delivery of ECs after stent implantation in rabbit iliac and porcine arteries. After 4 h, both models displayed a greater number (>75%) of attached ECs on the implanted stents. By 14 days, EC coverage was >90% in both treated and untreated segments. Although these mature ECs contribute to the repair of endothelial injury, they have only limited regenerative capacity to do so. To circumvent this problem, as well as the risks associated with polymer-based DES, direct capture of

	use of the CD34 antibody-coated Genous TM stent (Orbus Neich, Fort Lauderdale, Florida) to
	capture circulating EPCs [237] . Results have shown that the Genous TM stent is effective in
	the reduction of restenosis [228, 238-240], but not to the same degree as commercially
	available DES. A similar, but still experimental concept, has been described by Blindt et al.
	who applied an RGD peptide coating to attract EPCs to the stent surface [241]. Another

der Giessen et al. were the first to seed ECs on stents and study their in vitro behaviour. However, many in vitro attempts have reported narrowing of the arteries due to the immediate endothelial progenitor cells (EPCs) (which have been identified as a source of reparative endothelium) from circulating blood was investigated. These are immature cells that are capable of differentiating into mature ECs. However, risk factors for CAD such as diabetes, hypercholesterolemia and hypertension are associated with impaired number and function of EPCs in these patients. To counteract this problem, studies have focused on the use of bioactive agents (so called "healing agents'') such as the CD34 antibody, vascular endothelial growth factors (VEGF), statins, hormones (estradiols), nitric-oxide donor compounds, and peptides to enhance re-endothelialization

[227][228][229][230][231][232][233][234][235][236]

. These healing agents are delivered locally via elution from coatings, surface-immobilizations, or through porous balloon catheters

[227][228][229][230][231][232][233][234][235][236]

. A novel approach to promoting the healing process has been through the approach is the Bevacizumab-eluting phosphorylcholine stent (BiodivYsio TM , Biocompatibles Cardiovascular Inc., California, USA)

[242]

. Bevacizumab, an antibody specific to VEGF, was coated on the surface of BiodivYsio TM stents to inhibit the growth of vasa vasorum, and thereby promote atherosclerotic plaque stability.

  EC spreading [260].In contrast, Dalby et al. demonstrated enhanced EC spreading on 13 nm islands produced by polymer de-mixing of PS/poly bromostyrene (PBrS) as compared to cells grown on 35 nm and 95 nm islands, which in turn demonstrated increased

Berry et al. reported decreased EC adhesion and spreading on nylon tubes with internal nanotopographies produced using polymer de-mixing [259]. Similarly, Hsu et al. showed that 27 nm islands created by diblock co-polymer de-mixing of PCL/poly (ethylene glycol) (PEG) reduced

Table 4

 4 

). Walboomer et al. studied FC adhesion, alignment, elongation and contact guidance on a variety of substrate materials with micro-grating topographies [283-286]. One investigation conducted by Meyle et al. found that while 100 % of FCs aligned to micro-gratings, alignment was observed for only 20% of

  In the evolution of this therapy, bare metal stents have been able to reduce the restenosis rate to 20% compared to balloon angioplasty by eliminating elastic recoil and negative arterial remodeling. However, bare metal stents are associated with a residual rate of sub-acute thrombosis and NIH. Variations platelet therapies, and polymer hypersensitivity. To address these concerns, biocompatible and biodegradable polymers were introduced, and subsequently, biodegradable polymeric and metallic stents were evaluated to avoid the late complications of bare metal stent implantation. The biodegradable polymer stents were constrained by mechanical strength and degradation issues, while the biodegradable metal stents appeared promising but lacked clear evidence of clinical superiority. Furthermore, the polymer-based problems have focused research attention back to bare metal stents and inorganic coatings in the field of polymer-free drug delivery vehicles or delivery of other biological and genetic agents.

	in stent design have not demonstrated significant reductions in the restenosis rate, although
	tubular or corrugated designs, thinner struts, and electropolished stent surfaces have yielded
	better results in restraining NIH.
	More attention has been paid to both chemical and physical modifications to the stent surface
	to further reduce the restenosis rate. Surface modifications have acted as a metal ion-barrier
	and as a delivery vehicle for drugs. Stents coated with passive elements did not significantly
	reduce restenosis compared to bare metal stents. However, passive inorganic stent coatings
	such as TiNOX and biological polymers including phosphorylcholine and hyaluronic acid
	coatings initially appeared promising, but long-term clinical trials will be necessary to
	determine the efficacy of these coatings.

Commercially available polymer-based DES have decreased in-stent restenosis but have also delayed re-endothelialization, raising concerns regarding late stent thrombosis, the need for combinatory anti-

  This work was supported through the National Biophotonics and Imaging Platform, Ireland, and funded by the Irish Government's Programme for Research in Third Level Institutions, Cycle 4, and Ireland's EU Structural Funds Programmes 2007-2013 (FN); the Competence Centre for Applied Nanotechnology, (a joint Enterprise Ireland and IDA Ireland initiative which was launched in 2007 as part of the Government's Strategy for Science Technology and Innovation (SSTI) 2006 -2013, PG); Science Foundation Ireland and Health Research

	Board (NC) and the Natural Sciences and Engineering Research Council of Canada (MT and
	PB).

Table 1 : Desirable stent designs and their deployment characteristics

 1 

	1. Better Trackability -ability to pass through tortuous vessels
	2. High expansion ratio -the stent should undergo sufficient expansion and conform to the
	vessel wall
	3. Low profile -ability to be crimped on the balloon catheter supported by a guide wire
	4. High scaffolding -ability to provide strong mechanical support to the vessel wall
	5. Excellent corrosion resistance -ability to prevent corrosion induced by formation of
	oxide films
	6. Good biocompatibility -material must be biocompatible so as to not elicit an adverse
	reaction from the body
	7. Thrombo-resistivity -the material should be blood compatible and not encourage
	platelet adhesion and deposition

8. Adequate radiopacity/MRI compatibilityto assist clinicians in assessing the in vivo location of the stent 9. Inexpensive to manufacture --the stent material should be cost-effective to purchase 10. Drug delivery -the stent material should act as a vehicle for loading drugs

Table 2 : Endothelial cell response to micro-and nano scale surface topographies Feature geometry Feature dimension Fabrication technique Materials Endothelial cell response Ref.

 2 

	Grating	w:1, 3, 15, 22 µm		Ni-Ti	Alignment, elongation and	[253]
					enhanced migration	
		w:750 nm -100 µm; p:	Plasma based dry-	Ti	Increased cell adhesion,	[255]
		750 nm, 2, 5, 75 and 100	etching technique		alignment and elongation	
		µm				
		w: 20-80 µm	e-beam, polymer	PDMS	Enhanced cell adhesion and	[256]
		d/h: 500 nm	casting		elongation	
		ridge w: 350, 700, 1050	Thermal imprinting	PLGA	Highest adhesion on 700 nm	[257]
		nm; grating w: 350, 700,	and irreversible		ridges/350 nm grating	
		1750 nm grating d/h: 500	channel bonding			
		nm				
		w/d/h: 600 nm; p:1200		PDMS	Alignment, elongation,	[258]
		nm			enhanced migration and	
					reduced proliferation. Also	
					forms super-cellular-band	
					structures	
	Islands	nm range	Polymer de-mixing Nylon	Reduced adhesion,	[259]
					spreading.	
					Increased endocytotic	
					activity	
		d/h: 27 nm	Polymer de-mixing PCL/PEG	Reduced adhesion and	[260]
					spreading	
		d/h: 13, 35, 95 nm	Polymer de-mixing PS/PBrS	Increased adhesion,	[261]
					spreading, cytoskeleton re-	
					organisation, gene up-	
					regulation and exhibits	
					arcuate morphology on 13nm	
		d/h: 13-95 nm	Polymer de-mixing PS/PBrS	Increased cell adhesion on 13	[262]
				and PnBMA	nm pits	
				/PS		
		d/h: 18, 40, 95 nm	Polymer de-mixing PS/PBrS	Increased cell adhesion on 18	[263]
					nm	
	Post	dia: 50 nm ; d/h:300-500	Capillary	PEG	Increased adhesion	[264]
		nm; p:150 nm	lithography			
		d/h: 10 µm; p: 6µm; dia:	Laser irradiation	Silica	Increased cell monolayer	[265]
		0.15 µm	and ablation		formation	

w: width; dia: diameter; d: depth; h: height

Table 3 : Smooth muscle cell response to surface topographies Feature geometry Feature dimension Fabrication technique Materials Smooth muscle cell response Ref.

 3 

	Gratings	w/dia: 20, 50, 80	Photolithography	PDMS	Enhanced smooth muscle cell	[275]
		µm; d/p: 5 and 12			aspect ratio, alignment,	
		µm			orientation remodeling of the	
					underlying extracellular matrix	
		w/dia: 10µm; d/h: 5	Layer by layer	PDMS	Increased alignment and is	[276]
		µm; p: 10 µm	assembly of		grating width dependent	
			polyelectrolytes			
		w/dia: 15, 40 and	photolithography	PDMS	Combined micro topography	[277]
		70µm; d/h: 5 µm; p:			and cyclic strains effect the	
		14 µm			orientation	
		w/dia: 350 nm; d/h:	Nano imprint	PDMS,	Increased alignment, elongation,	[278]
		350 nm; p: 750 nm	lithography	PMMA	migration and reduced	
					proliferation	
	Pits	d/h : 200 nm, 20 nm Anodisation	Alumina	Enhanced proliferation and gene	[280]
					up regulation on 200 nm pits	
		nm / µm range	H2SO4 / H2O2	Ti6Al4V	No growth	[279]
			etching			
	Random	nm range	NaOH treatment	PGA	Increased adhesion and	[281]
					proliferation	
		nm range	HNO3 and NaOH	PU, PLGA,	Increased adhesion and	[282]
			etching and casting	PCL	proliferation	
		nm range	NaOH etching and	PLGA	Increased cell densities	[273]
			casting			
		nm range	NaOH etching	PCL	Increased cell adhesion	[272]
		nm range	Anodic oxidation	TiO2	Decreased proliferation and	[269]
					increased expression of smooth	
					muscle α-actin	
	w: width; dia: diameter; d: depth; h: height			

Table 4 : Fibroblast cell responses to surface topographies Feature geometry Feature dimension Fabrication technique Materials Fibroblast cell response Ref.

 4 

	Gratings	w/dia: 1-10 µm; d/h : 1	Photolithography	PS	Orientation, alignment and	[283]
		µm; p: n/a	and casting		spreading	
		w/dia: 1-10 µm; d/h :	Photolithography	PS,	Induced contact guidance, cell	[284]
		0.5 µm; p:n/a	and casting,	PLA,	morphology substrate dependant	
			polymerization	silicone, Ti		
				coated PS		
		w/dia: 1-20 µm; d/h :	Photolithography	PS	Decreased adhesion, increased	[285]
		0.5-5.4 µm; p: n/a	and casting		orientation on deeper grooves	
		w/dia: 1-10 µm; d/h :	Photolithography	PS	Orientation on the narrow grooves	[286]
		0.5 µm; p: n/a	and casting		and alignment groove depth	
					dependant	
		d/h: 0.5 µm; p: 1 µm	Photo	Silicon	100% fibroblast alignment	[287]
			lithography and	dioxide		
			anisotropic			
			etching			
		w/dia: 10, 30 µm; d: 3.5	Micro-machining Ti	Increased cell viability,	[288]
		µm; p: n/a			proliferation and up regulation of	
					fibronectin and integrin genes	
		w/dia: n/a ; d/h: 3-5 µm;	Micro-machining Ti	Elongation, orientation and	[289]
		p: 6-10 µm			expression of fibronectin/mRNA	
		w/dia: 2-10 µm; d/h: 50-	Photolithography PDMS	Stronger fibroblasts alignment,	[290]
		200 nm; p: n/a			elongation and migration	
		w/dia: 20-1000 nm; d/h:	e-beam, reactive	Silicon	No adhesion and alignment below	[291]
		5-350 nm	ion etching	wafers	35 nm	
		w/dia: 266 nm; d/h: 5-	Photolithography Silicon	No alignment for depths < 35 nm	[291]
		530 nm; p: 1:1			or widths <100 nm	
		µm range	Micro-machining PMMA	No cell growth on wider and	[292]
					deeper gratings	
	Islands	nm range	Polymer de-	Nylon	Increased adhesion, spreading,	[293]
			mixing		morphology and cytoskeleton	
					organization	
		w/dia: n/a; d/h: 95, 35,	Polymer de-	PS/PBrS	Increased adhesion, spreading,	[296-
		27, 13 nm	mixing		cytoskeletion organization and	297]
					gene up regulation on 13 and 27	
					nm pits. On 95 nm pits cells	
					exhibits stellate morphology with	

w: width; dia: diameter; d: depth; h: height