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Abstract 

 
 Coronary heart disease is currently responsible for a significant percentage of global mortality 

in developed and developing nations alike. This occurrence takes place despite the advancement in 

medical technology and improved treatment options, such as stenting procedures. Due to complications 

with restenosis and stent thrombosis that are associated with current commercial stents, there has been 

a growing interest in stent research and development in order to eradicate the causes of such clinical 

events. The selection of an antioxidant, non-thrombogenic coating has been a major obstacle to the 

development of drug-eluting stents (DES), and, to date, a truly biocompatible stent platform remains 

elusive. Moreover, there is a need to assess stent coatings within an in vitro platform prior to in vivo 

and clinical studies in order to minimize adverse effects. Even if considerable progress has been made 

over the last two decades in the development of flow chambers to monitor and study thrombus formation 

outside of the circulation, blood-material interactions are still little investigated under static and 

dynamic modes.  

 In order to avoid some of the drawbacks of synthetic polymers, such as their undesirable 

degradation products, long-lasting presence, or potential biocompatibility issues, the aim of this PhD 

thesis was to investigate zein as a green and abundant plant-derived protein as a coating material for 

DES applications. This study aimed to understand the potential uses of zein as a controlled release 

matrix for drug delivery systems, in addition to developing a microfluidic platform to assess the 

behavior and hemocompatibility of the proposed plant-based stent coatings under flow conditions. 

 In Chapter 1, the relevant background was described, including coronary heart disease and 

percutaneous coronary intervention, biological cascades associated with the development of 

atherosclerosis and restenosis, current state-of-the-art stent commercial products (taking into 

consideration both drugs and coatings), and challenges associated with in vitro stent microfluidic 

studies. Biodegradable polymers, including zein, and their features for biomedical applications as 

presented as well in this introductory chapter. Chapter 2 describes the work conducted to develop 

innovative zein-based coatings for DES with the ability to release an antioxidant drug. Zein (as the 

matrix) and rutin (as the active component) were selected for this purpose as available natural 

compounds easily extracted from vegetable waste through green and sustainable approaches. A series 

of bilayer coatings with different naturally-derived polymers as sacrificial layers were successfully 

fabricated. The chosen system, which was produced and fully characterized in this first PhD project, 

was the cross-linked alginate/rutin-loaded zein bilayer. The single and bilayer coatings properties were 

comprehensively assessed by means of relevant material characterization tests and biocompatibility 

assays on endothelial cells and fibroblasts to validate the absence of cytotoxicity. Most importantly, 

zein-based coatings resulted biocompatible and biodegradable, which are essential features for their 
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final application. Chapter 3 addresses the design and development of fused silica-based platforms for 

investigating zein-based (and eventually any) DES coatings via a microfluidic approach. Dynamic 

experiments, such as matrix degradation and drug release tests, were carried out to simulate flow 

conditions in blood arteries and anticipate how the proposed plant-based biomaterial would react in 

vivo. Moreover, thrombogenicity experiments with mice whole blood were performed using this 

innovative microfluidic technology to confirm the hemocompatibility of the proposed naturally-derived 

coatings. The overall conclusions of the PhD project and the recommendations for future studies are 

presented in Chapter 4 in order to tighten the gap between research and the development of a more 

biocompatible and effective stent coating and testing platform.     
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Chapter 1 – Introduction  

 

1.1 Cardiovascular stents 

 

 Cardiovascular diseases (CVDs) have had a massive global health impact, accounting for 10.3 

million new diagnoses in 2019 alone, according to the European cardiovascular disease statistics. These 

numbers make CVD the leading cause of mortality under 65 years in Europe, leaving cancer behind in 

second place 1. Even if variables such as social organization and economic growth produce regional 

variances, CVD is on the rise globally. In particular, coronary heart disease (CHD) is one of the major 

causes of mortality and premature disability in developed countries, accounting for 7.2 million deaths 

each year 2. CHD is primarily caused by the formation of coronary atherosclerotic (or atheromatous) 

plaques, which diminish artery lumen size, reducing blood flow to the heart and frequently resulting in 

severe consequences such as myocardial infarction or angina pectoris 3, 4. According to recent data, the 

prevalence of myocardial and ischemic infarction in men was about three times higher than for women, 

and incidence typically started in the fourth decade and increased with age 5. Clinical manifestations of 

CHD may be chronic and stable, with chest pain (stable angina) induced by physical exercise. Patients 

with more acute clinical scenarios experience a rapid escalation and sudden onset of symptoms (acute 

coronary syndrome) 4.  

 Atherosclerosis is considered an inflammatory process since the accumulation of low-density 

lipoproteins (LDL) into the vascular wall leads to inflammatory reactions. More in detail, atherogenesis 

(the production of atheromatous plaques in the walls) begins with the dysfunction of the vascular 

endothelium (Figure 1.1). During these events, the expression of adhesion molecules such as the 

vascular cell adhesion molecule-1 and the intercellular adhesion molecule-1 is increased on endothelial 

cells and leads to a reduced release of nitric oxide and other substances that help prevent the adhesion 

of macromolecules, platelets, and monocytes to the endothelium 4, 6. When the vasculature is damaged, 

lipids, mainly cholesterol in the form of LDL, and monocytes start to build up near the site of the lesion. 

The monocytes migrate into the tunica intima of the vessel wall, where they undergo macrophage 

differentiation (Figure 1.1a). They ingest and oxidize LDL, assuming a foam-like appearance. Smooth 

muscle cells (SMCs) then begin to migrate from the tunica media, and macrophage foam cells 

aggregate, resulting in a visible fatty streak 7. A fibrous cap consisting of SMCs and collagen forms as 

the first macrophages and monocytes engaged in the process start to die. Leucocytes and lipid fragments 

continue to enter the lesion, causing the plaque to expand into the artery lumen as atherogenesis 

progresses, decreasing blood flow and myocardial oxygen supply (Figure 1.1b). During periods of 

physical activity, an imbalance in oxygen demand and supply occurs, causing the onset of ischemia and 
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angina symptoms 4. Atherosclerosis often develops over a long period of time, typically several decades, 

and the growth of atheromatous plaques probably occurs intermittently, with periods of relatively slow 

growth and periods of fast change 3. 

 

 

Figure 1.1. Development of atheromatous plaques. a) The monocyte attaches to an adhesion molecule on a damaged 

endothelial cell of the artery. The monocyte then migrates into the intimal layer of the arterial wall and differentiates into a 

macrophage. The macrophage ingests and oxidizes low-density lipoproteins, assuming a foam-like appearance. The foam cells 

release substances that cause inflammation and growth of the intimal layer. b) Additional accumulation of macrophages and 

lipid fragments causes the plaque to become larger and larger. With the progress of atherogenesis, the plaque might occlude 

the vessel, reducing the blood flow and eventually rupture, leading to the formation of a thrombus. Adapted from Libby et al 

4. 

a) 

b) 
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 Many risk factors contribute to the dysfunction of the vascular endothelium and the subsequent 

formation of the atherosclerotic plaques. The most important ones are high plasma concentration of 

LDL, which is increased as a consequence of poor life style habits, such as daily eating of highly 

saturated fat and excess of cholesterol, cigarette smoking, and physical inactivity, as well as by 

pathological conditions such as obesity, diabetes mellitus, hypertension, and hyperlipidemia. However, 

atherosclerosis can also develop in people with perfectly normal levels of cholesterol and lipoproteins 
3, 4. Epidemiological studies have shown that, in populations with low plasma cholesterol levels, such 

as are observed in the Japanese living on their islands, the incidence of coronary heart disease remains 

very low despite a high prevalence of smoking 8.  

 There are different therapeutic strategies to treat CHD; these include drug treatments and 

myocardial reperfusion or revascularization. In addition to appropriate hygienic and dietary regimen (to 

reduce risk factors), administration of pharmacological agents (e.g., anti-thrombotic, anti-ischemic, 

lipid-lowering drugs) is systematic and is done prior to any cardiovascular intervention 9. Surgical 

treatments for CHD include coronary artery bypass grafting (CABG) and percutaneous coronary 

intervention (PCI): 

 CABG is a procedure where a blood vessel graft bypasses the obstructive lesion. An artery or 

vein is harvested from the body to connect the aorta (the major artery that takes blood from the 

heart to the rest of the body) to an artery beyond the point of obstruction. This restores blood 

flow by "skipping" (bypassing) the narrowed or blocked area. 

 During PCI an inflatable balloon is threaded to the site of the atherosclerotic lesion on a catheter 

and inflated to open the narrowed coronary artery. In order to keep the vessel open, wire tubular 

structures, known as stents, are then expanded inside the artery.  The main steps of the stenting 

procedure are shown in Figure 1.2. Firstly, the stent, mounted on a balloon catheter in a crimped 

(i.e., collapsed) state, is positioned where the narrowing occurs. Secondly, the stent is expanded 

by balloon inflation. Lastly, the balloon is deflated, and the entire system is removed from the 

body with the exception of the permanently deformed stent, which remains in place, holding 

the artery open 10, 11. 
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Figure 1.2. Main steps of the stenting procedure. The stent is inserted into the constricted artery using a balloon catheter that 

is positioned over a guide wire (a). When the balloon is inflated, the stent expands and keeps the vessel open once it is in 

position (b). The stent is left in place permanently while the balloon is deflated and removed (c). Adapted from Gudino et al 

11.  

 

 Compared to CABG, PCI is performed under local anesthesia and only requires a one-day 

hospital stay, which reduces recovery time and expenses 12. Since the introduction of PCI with stents in 

1986, the use of this minimally invasive procedure for coronary revascularization has rapidly expanded, 

as reflected by declining rates of CABG interventions 13. The medical term "stent" was originally 

derived from Charles T. Stent, a dentist who developed dental impression materials in the 19th century. 

The "stent" material was then used to indicate skin grafts during the First World War. The word then 

transitioned into the meaning of "any kind of non-biological support used to give shape or form to 

biological tissues" 14. Although the stent was established as a tool for percutaneous insertion, the word 

itself did not appear in literature until Charles Dotter published an article reporting expandable stent 

grafting in 1983 15. Over the next few years, the use of coronary stents rose dramatically, and by 1999 

they were utilized in over 85% of PCI 16. Coronary stents have evolved over the past four decades to 

become one of the most implanted prosthetic devices worldwide, with about 4 million procedures 

performed annually. The current shift in demographic aging has led to an increase in patients requiring 

stent intervention due to the rise in the population suffering from CHD 10.  

 The majority of commercially available coronary stents are fabricated with metallic alloys such 

as cobalt chromium (CoCr), 316L stainless steel (SS), or nickel-titanium (nitinol). The deployment 

mechanisms of these stents are either self-expandable or balloon-expandable, where the latter method 

a) 

c) 

b) 
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requires the material to undergo plastic deformation and must have the ability to preserve the shape and 

position once expanded. The stainless steel 316L alloy has been the most commonly used metal 

platform for stents due to its properties (i.e., strength, corrosion resistance, and ductility) 17. It is worth 

noting that a relevant portion of the population (~20% of women and ~4% of men) is allergic to nickel 

and could show signs of contact dermatitis. Moreover, a high nickel percentage has shown teratogenic 

and carcinogenic effects. Stainless steel is considered safe as long as corrosion does not occur and high 

hazardous ion concentrations do not interact with the surrounding tissue 17.  

 

1.1.1 Post-implantation cascade 

 

 Although PCI with stents is the most widely performed procedure for the treatment of CHD, it 

is still associated with severe clinical long-term complications such as in-stent restenosis (ISR) 18. 

Restenosis, as the name suggests, is the re-occurrence of stenosis (i.e., the reduction of the lumen size) 

and has been reported to have up to 40% chance of occurrence 18. Restenosis is defined as a re-narrowing 

of >75% of the cross-sectional area of the stented artery 6. ISR develops through a complex cascade of 

cellular events and results from excessive and pathological neointimal tissue growth as a healing 

response to vascular injury caused by stent deployment. Oxidative stress is known to be increased after 

angioplasty and may be involved in adverse remodeling by enhancing nitric oxide breakdown, hence 

intensifying vessel constriction 19. ISR is influenced by the negative effects induced by stent presence 

in the coronary artery, such as a structural injury during implantation, foreign-body reaction, and local 

fluid dynamic alteration. More in detail, stent deployment results in a complex vascular response that 

is characterized by different phases, separated in time but partially interdependent (Figure 1.3) 20: 

1. Thrombosis: it represents the dominant physiological response in the first days after the 

implantation, when the stent and the balloon could damage the endothelial cells, exposing 

deeper wall structures, such as collagen fibers, to the blood flow. Platelets in the bloodstream 

are activated and adhere to the damaged endothelial cells, releasing chemical attractants for 

other platelets. These injuries induce the coagulation cascade, which involves several 

coagulation factors and leads to the formation of fibrin around the platelets, binding them 

together into a thrombus. Foreign-body reactions also cause thrombus formation, with different 

blood-soluble proteins adsorbing onto the stent surface and forming a thin film. Fibrinogen, a 

pro-thrombotic protein, promotes activation and adhesion of platelets and is adsorbed 

preferentially over the other macromolecules 21. 

2. Inflammation: inflammatory reaction occurs immediately after stenting where the thrombus 

forms. Surface-adherent leukocytes are attracted to the injured site to prevent the propagation 

of the tissue damage and aid in wound healing and repair 21. Intricate molecular mechanisms 



6 

 

orchestrating the process of vascular healing become dysregulated in the presence of persistent 

inflammation due to an imbalance of growth-promoting and growth-inhibiting signals 20. 

3. Proliferation: a new tissue (i.e., neointima) grows around the implanted device as a result of 

foreign-body reaction and injury provoked by stent deployment. SMCs migrate from the middle 

layer of the arterial wall towards the intima layer, where they proliferate. These cells synthesize 

collagen, creating a bulk of new tissue that narrows the coronary artery. The degree of SMCs 

hyperproliferation is greatly influenced by the degree of thrombosis and inflammation 22. 

However, correct re-endothelialization and complete regeneration of the denuded endothelial 

layer are complex processes not yet fully understood 6. 

4. Remodeling: coronary artery opposes the strain caused by the stent strut by increasing collagen 

deposition, destruction of elastin, and persistent inflammation. From about four weeks after the 

stent implantation, collagen deposits in the neointima lead to shrinkage of the artery. This 

process increases the pressure on the device and may squeeze the arterial wall through the stent 

strut interstices from the outside 23.  

 

Figure 1.3. The restenosis cascade following vessel injury. As the stent is inserted into the target site, a certain level of damage 

occurs, followed by a healing response. Platelet agglomeration and thrombus formation occur, followed by cell recruitment, 

where these cells produce certain factors which induce SMCs activation. This activation causes the proliferation and migration 

of SMCs into the intimal layer, thus causing ISR. Adapted from Deloose et al 24. 

 

 To recapitulate, vascular stent implantation initiates a chronic healing response of the affected 

blood vessel, and it is often accompanied by the presence of reactive oxygen species and by incomplete 

endothelial coverage, which increases permeability and allows entry of high levels of lipoprotein and 

inflammatory cells 22. Sometimes, even after forming an intact endothelial layer, the endothelium does 

not exhibit its most crucial function, which is vasodilation 25.   
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1.1.2 Drug-Eluting Stents (DES) 

 

 Studies have been conducted on identifying a correlation between ISR and metal ion release 

from bare metal stents (BMS), and even though the reports in the literature were not wholesome enough 

to provide an absolute conclusion, the studies do indicate that there is evidence of metal ion release into 

the vascular wall that could negatively influence chronic ISR in terms of long-term safety 17. The 

phenomenon of ISR has been partially attenuated by the introduction in 2004 of drug-eluting stents 

(DES), which are able to release drugs with predictable pharmacokinetics into the arterial wall and 

vessel lumen. Ron Waksman proposed the first definition of a drug-eluting stent as "a device that 

presents or releases one or more bioactive agents to tissue at and near an implant" 26. The DES are based 

on three aspects: the stent platform, the stent coating, and the drug itself (Figure 1.4). 

• The stent platform is usually a metallic alloy, as in the case of BMS, and should have all the 

desirable mechanical requirements (in particular high flexibility, high radial strenght, low elastic 

radial recoil, and high fatigue strength) 27. 

• The stent coating is the intermediate layer that facilitates drug adhesion and delivery from the 

stent platform into the surrounding environments. The polymer is mixed with the chosen drug to 

form a drug-polymer matrix and placed over the stent platform.  

• The drugs can be classified as anti-proliferative, anti-thrombotic, immunosuppressive, anti-

inflammatory, and pro-healing agents. High levels can be delivered to the site of interest using 

the stent as a drug-carrying vehicle without the risk of systemic contamination. The most widely 

used drugs, approved by the USA Food and Drug Administration (www.fda.gov), belong to the 

taxanes and rapamycin classes, which fight neointima growth by their ability to target the key 

event of restenosis development, i.e., suppressing SMCs proliferation. Apart from exhibiting cell 

growth suppressive properties, these drugs were selected because of their lipophilicity and low 

solubility properties. Their high tissue retention ability makes them ideal for local stent delivery, 

allowing a slow and sustained drug release into the vascular wall. However, taxanes and 

rapamycin are frequently associated with poor in vitro to in vivo data correlation due to their low 

water solubility 28.  



8 

 

 

Figure 1.4. Illustration of a drug-eluting stent (DES). Adapted from Deb et al 29.  

 

 The use of DES has resulted in significantly improved outcomes compared with BMS: the 

incidence of ISR was reported to be ~40% for the BMS and less than 10% for DES in several 

randomized clinical trials 18, 30. However, with more than 3 million stents implanted annually, even a 

seemingly minor complication can cause thousands of deaths per year (approximately 1-2% of DES-

receiving patients) 31.  

 A range of adverse biological responses has been attributed to the permanent polymer coating 

on DES, including hypersensitivity reactions, medial necrosis, vascular inflammation, and 

hypereosinophilia 32. Collectively these reactions contribute to stent thrombosis, with acute events 

occurring within the first 24 hours after stent placement due to uncovered dissections, and, although 

rare, the end results are usually fatal. Late stent thrombosis would occur 30 days after implantation and 

is now considered a well-known complication associated with DES caused by poor or delayed 

endothelialization 33, 34.  

 To overcome these drawbacks, degradable polymer coatings for DES were designed and, based 

on several trials, have been superior compared with durable polymer 35. Differences include the eluted 

drug, the kinetics of elution, and the coating degradation time. Whether thinner struts that enhance faster 

endothelialization and vascular healing in addition to lowering the risk of uncovered struts lead to 

improved clinical outcomes or if they are due to degradable polymers that decrease long-term 

inflammation and development of neo-atherosclerosis remains up for debate 36, 37. The main problem of 

degradable polymer layers lies in their degradation products, arising as a result of contact with 

biological fluids and the ability to trigger inflammation followed by thrombosis 38. Van der Giessen and 

coworkers tested different polymers attached to coil wire stents. These coated devices were inserted 
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into the coronary arteries of porcines, but none was found to be physiologically inert 39. In particular, 

five different degradable polymers were tested: poly(lactide-co-glycolide) [PLGA], polycaprolactone 

[PCL], poly(hydroxybutyrate-valerate) [PHBV], poly(ortho ester) [POE], and poly(ethylene 

oxide)/polybutylene terephthalate [PEO/PBTP]. All of these polymers have been shown to cause a 

significant inflammatory response inside the coronary artery, followed by neointimal thickening, which 

was unexpected based on in vitro experiments 39. A more recent study by Busch et al. examined the 

interaction of endothelial cells, SMCs, and platelets on various degradable polymer surfaces, using well-

known materials, such as polyethylene-co-vinyl acetate [PEVA] and poly(butyl methacrylate) [PBMA] 

as a comparison 40. The research looked at poly(L-lactic acid) [PLLA], poly(3-hydroxybutyrate) 

[P(3HB)], poly(4-hydroxybutyrate) [P(4HB)], and a PLLA/P(4HB) blend. Endothelial cells survival 

was less than the control (polyolefin coverslip) for the PLLA, PEVA, PBMA, and P(4HB) samples, 

while on P(3HB) the proliferation rate showed to be quite high, but cell clusters were formed as opposed 

to desired cellular monolayers.  

 

1.1.3 Current commercially available DES 

 

 The first patent regarding balloon-expandable stents was filed in 1985 by Julio Palmaz and was 

later downsized for use as a coronary stent. It was the first balloon-expandable instrument made of 

stainless steel and was one of the most widely used stents throughout the 1990s. The first ones to be 

approved by the FDA were the Cesare Gianturco and Gary Roubin stents (Cook Inc), which were made 

of stainless steel and had a particular Z-shape that gave them considerable resistance 14. In 2003 the 

sirolimus-eluting stent Cypher was approved by FDA (Table 1.1), followed soon after by the paclitaxel-

eluting stent Taxus, and both of them were shown to be markedly superior to BMS at reducing restenosis 
41. Although the taxanes and rapamycin achieve the same end result, they differ in the mechanism of 

action. Sirolimus was originally used in organ transplant patients as an immunosuppressant agent since 

it inhibits the mammalian target of rapamycin (mTOR), leading to the arrest of the cell cycle. Paclitaxel 

is an anti-neoplastic agent which inhibits microtubule function and halts the cell cycle 26. Both drugs 

non-specifically target the proliferation of vascular SMCs, and this non-specificity is one of the key 

contributors to the biocompatibility limitations of these DES platforms 42. Moreover, several 

randomized trials reported late stent thrombosis episodes after both Taxus and Cypher implantation 

soon after their widespread clinical adoption. Unlike the acute and subacute thrombosis seen in BMS, 

these reports detailed a phenomenon of stent thrombosis occurring more than 12 months after stenting 
23, 34, 43.  

 Alternative strategies for improving endothelialization have been explored due to the limited 

ability of traditional stent coatings to improve vascular response. Noteworthy are phosphorylcholine 

(PC)-based coatings, which showed to generate highly biocompatible stent surfaces by mimicking the 
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hydrophilic head group of cell membrane phospholipids. These coatings have later transitioned into 

drug-eluting coatings, as in the example of the Endeavor stent that uses a PC-based system to elute a 

rapamycin analog (Table 1.1) 44. The rapid zotarolimus release effect seen with the Endeavor stent has 

been reported to show signs of reduced local toxicity, and the PC-based coating has been shown to resist 

fibrinogen adsorption and decrease monocyte and platelet activation 45, 46.  

 Everolimus is another immunosuppressive agent derived from sirolimus and, similarly to the 

original agent, also inhibits mTOR. The primary difference between the two compounds is the half-life, 

which is 60 hours for sirolimus and 30 hours for everolimus. In 2014 an article in The Lancet journal 

stated that the Xience V stent (everolimus-eluting stent, with a fluoropolymer as coating material) was 

considered the optimum product in terms of clinical performance since the proposed polymer has a 

hydrophobic surface which causes a response called fluoropassivation that reduces fibrin adhesion 47. 

However, the permanent presence of the fluoropolymer in contact with the vessel wall increased the 

potential for impaired vascular healing, which can lead to late stent thrombosis and neo-atherosclerosis 
37. It is important to notice that these catastrophic events occur long after the drug is eluted from the 

stent. For this reason, persistent inflammation has been pinpointed as one of the main aspects of late 

stent failure 20. In addition, the extended drug retention in the lipophilic atheromatous plaque of the 

vascular wall has been suggested to contribute to delayed vascular repair and post-implantation invasion 

of inflammatory cells 20. For example, the Cook Medical polymer-free Zilver PTX stent (Table 1.1) has 

been reported to elute the anti-proliferative paclitaxel agent within 72 hours, which remains retained in 

the arterial wall tissues for 56 days 48.  

 New-generation DES include degradable polymers. Recently, the Orsiro stent received FDA 

approval, and a recent study showed that target lesion failure was significantly reduced at a 2-year 

follow-up with Orsiro DES compared with Xience V DES (7.5% vs. 11.9%), the latter comprising a 

durable polymer. Rates of cardiac death were also statistically significantly reduced with DES with 

degradable polymers, and an increasing number of data nowadays suggest advantages for bioabsorbable 

polymer-coated stents (e.g., Synergy and Orsiro) versus durable polymer-coated DES 35, 49. 
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Table 1.1. Currently FDA-approved drug-eluting stents 36. SS, stainless steel; PEVA, poly(ethylene-covinyl acetate); PBMA, 

poly(n-butyl methacrylate); SIBS, poly(styrene-b-isobutylene-b-styrene); PC, phosphorylcholine; PtCr, platinum-chromium; 

CoCr, cobalt chromium; PVDF-HFP, poly(vinylidene fluoride-co-hexafluoropropylene); PHMA, poly(hexyl methacrylate); 

PLGA, poly(lactic-co-glycolic acid); PLA, poly(lactic acid). 

Name Eluted drug Drug loading Material Manufacturer 
Year of FDA 

approval 

Cypher Sirolimus 1.4 μg /mm2 
SS + PEVA and 

PBMA 

Cordis, Johnson & 

Johnson 
2003 

Taxus Paclitaxel 1 μg/mm2 SS + SIBS Boston Scientific 2004 

Endeavor Zotarolimus 1 μg/mm2 CoCr + PC Medtronic 2008 

Promus Everolimus 1 μg/mm2 PtCr + SIBS Boston Scientific 2008 

Xience V Everolimus 1 μg/mm2 
CoCr + PVDF-HFP 

and PBMA 
Abbott Laboratories 2008 

ION Stent Paclitaxel 1 μg/mm2 PtCr + SIBS Boston Scientific 2011 

Zilver PTX Paclitaxel 3 μg/mm2 Nitinol (polymer free) Cook Medical 2012 

EluNir Ridatorolimus 1.1 μg/mm2 
CoCr + CarboSil® 

and PBMA 
Cordis 2017 

Resolute Zotarolimus 1.6 μg/mm2 
CoCr + PBMA and 

PHMA 
Medtronic 2018 

Synergy Everolimus 1 μg/mm2 PtCr + PLGA Boston Scientific 2020 

Orsiro Sirolimus 1.4 μg /mm2 CoCr + PLA Biotronik 2021 

BioFreedom Biolimus A9 15.6 µg/mm2 SS (polymer free) Biosensor 2022 

 

   

 Lastly, fast-release polymer-free DES have demonstrated comparable clinical outcomes to 

existing, slow-release polymer-coated DES at 5-year follow-up 50. In 2010 Tada et al. evaluated the 

local delivery of Biolimus A9 from a polymer-free BioFreedom stent where the surface is functionalized 

with the drug applied directly to the device via a solvent coating process 51. The authors found that the 

BioFreedom stent demonstrates a superior reduction of intimal proliferation compared with a sirolimus-

eluting stent in a porcine model 51. While pre-clinical studies have shown reduced neointima formation 

with these devices, it is also noted that the stent struts showed delayed re-endothelialization when 

compared to an equivalent BMS 52. 
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1.1.4 Drug delivery mechanisms 

 

 The bioactive agents are released from DES surfaces via a carrier-free platform or, more often, 

they are embedded in a matrix, typically polymer-based 37. The time dependency of drug release kinetics 

is crucial, even though an ideal drug release strategy is currently unavailable. Various factors could 

influence the kinetics of drug release from polymer encapsulation: the property of the drug, the polymer 

behavior in aqueous solutions, and the coating parameters should be of crucial consideration when 

designing DES 53. Different drug release models have been established in order to understand the release 

mechanism and further optimize the delivery profile from DES coatings. In many drug delivery systems, 

almost the majority of the molecules are released shortly after being in contact with the elution medium, 

typically referred to as "burst release". This phenomenon leads to high drug loss and high local drug 

concentration, causing toxic side effects. The polymer-free approach involves coating the drug directly 

on the stent surface, whose modifications, including porous and micro-textured or drug reservoirs 

machined directly onto the strut, are necessary for the success of this approach to retain and release the 

drug in a controlled way 44.  

 Passive hydrolysis is the most common method of degradation for synthetic polymers and can 

be influenced by various aspects, such as the type of chemical bond that governs the polymer backbone 

and the neighboring functional groups 54. Their hydrophilicity is also crucial, as increased hydrophilicity 

would allow further water penetration into the polymer. On the other hand, a high crystallinity would 

decrease the rate of hydrolysis. The way the polymer hydrolytically degrades could be classified as bulk 

erosion or surface erosion, where bulk erosion keeps the size of the polymer but loses strength and 

structural integrity over time. Surface erosion, more predictable due to linear mass loss at the surface, 

causes polymers to keep their original shape while reducing in size 54.  

 Figure 1.5 illustrates possible strategies involved in drug release from DES. Drugs may be held 

in the polymer by covalent bonds (e.g., C-C bonds, sulfur bridges) or non-covalent bonds (e.g., ionic, 

hydrogen bonds). By dipping or spraying the stent, the blended matrix can subsequently adhere to the 

stent surface. Drugs are released by dissolution or diffusion when non-degradable materials are used or 

during polymer breakdown when incorporated into a degradable matrix 53. Langer and Peppas 

summarized the classification of drug-loaded polymeric systems with controlled release performance, 

including diffusion-controlled systems, swelling-controlled systems, and chemically-controlled 

systems 55. Diffusion-controlled systems, formulated into two basic configurations (reservoirs and 

matrix models), are the most widely used platforms: in a matrix model (Figure 1.5a), the drug is 

uniformly distributed throughout a polymer layer, which leads to a significantly higher drug release 

rate; in a reservoir model (Figure 1.5b), the drug molecules are incorporated in a core surrounded by a 

drug-free layer of polymer. The device in swelling-controlled systems (Figure 1.5c) is initially dry, but 

when inserted in the body it absorbs water and swells, and the drug release begins instantly to diffuse 
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through the swelled network into the injury site. In the case of chemically-controlled systems (Figure 

1.5f), the drug is distributed in the same way as in the matrix model, with the difference that, in this 

case, the polymer matrix is degraded during the drug release 56. With the selection of an appropriate 

mathematical model, the drug release profile from a specific delivery platform could be precisely 

elucidated 55. However, it should also be kept in mind that the various theoretical models that have been 

proposed to explain the drug release processes are often quite insufficient to reliably and precisely 

predict in vivo dissolution rates.  

 

 

 

 

Figure 1.5. Schematic representation of different modalities of drug-eluting from DES. Black represents the stent strut; gray, 

coating. a) Drug-polymer blend, release by diffusion. b) Drug diffusion through additional polymer coating. c) Drug release 

by swelling of coating. d) Non–polymer-based drug release. e) Drug loaded in stent reservoir. f) Drug release by coating 

erosion. g) Drug loaded in nanoporous coating reservoirs. h) Drug loaded between coatings (coating sandwich). i) Polymer-

drug conjugate cleaved by hydrolysis or enzymatic action. j) Bioerodable, polymeric stent. Adapted from Sousa et al 53.  

 

 To date, the most employed method for facilitating drug adhesion and delivery from a stent has 

involved the use of permanent synthetic polymer coating materials such as PEVA, PBMA, and the 

triblock copolymer poly(styrene-b-isobutylene-b-styrene) (SIBS), as anticipated in Paragraph 1.1.3. By 

carefully mixing drugs with these materials, a drug-polymer matrix can be formed and applied to the 

surface of the stent platform. Upon deployment, drug delivery is driven by diffusion from the matrix, 

and the rate of this diffusion is determined by the type, composition, and number of polymers used in 

the drug-polymer formulation. For example, the Taxus stent uses a diffusive approach, where a non-

a) b) c) d) 

e) f) g) 

h) i) j) 
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degradable polymer (SIBS) is used as the paclitaxel housing system. SIBS is a hydrophobic 

thermoplastic triblock copolymer with elastomeric properties, allowing it to deploy without any 

mechanical disruption on the Taxus DES. A complication with SIBS is the high adhesive characteristics, 

requiring high forces needed for the withdrawal of the deflated balloon when deployed in curved areas 
57. The Cypher stent consists of a drug-free layer of PBMA which controls the sirolimus release from 

the drug-containing layer (a blend of PEVA and PBMA). The drug diffuses from the medium to the 

upper layer and undergoes an initial burst release which slows down over time 41. The Endeavour stent 

uses phosphorylcholine as the matrix material, which allows for rapid Zotarlimus release, with total 

elution by two weeks after implant 58. The Xience V stent uses a two-layer coating consisting of a 

PBMA base adhesive layer and a drug reservoir polymer layer (poly(vinylidene fluoride-co-

hexafluoropropylene mixed with everolimus). As with the other durable polymer coatings, the drug is 

released via molecular diffusion 59. 

 The latest generation of DES includes several degradable polymers, with poly(lactic acid) 

[PLA] being the main polymer used, which undergoes slow hydrolysis, breaking down to carbon 

dioxide, lactic acid, and water. In the Orsiro stent, a degradable PLLA layer is used as a carrier for 

sirolimus; its bioabsorption takes 15 months, while the drug is eluted in 3 months, resulting in prolonged 

presence of the polymer long after the drug has been eluted 60. Additional problems may arise from poor 

mechanical performance and the generation of acidic products from polymer degradation, which may 

lead to inflammatory responses and induce neointimal hyperplasia and subsequent restenosis, as well 

as thrombosis 61. Similarly, the acidic by-products of poly(glycolic acid) [PGA] make it an unfavorable 

candidate to be used as a single polymer matrix and can lead to local inflammation as a degrading 

component of a PLGA polymeric system, such as in the case of the Synergy stent 62. On the other hand, 

PLGA in the Synergy coating allows a controlled and sustained delivery of the drug (the release was 

complete by 90 days) during its own bioabsorption (by 120 days more than 90% of the polymer was 

eluted). From a clinical perspective, biodegradation of the polymer matrix reduces the polymer burden 

and eliminates its long-term exposure, potentially mitigating the risk of adverse effects, such as late 

stent thrombosis 32. 

 Without using a polymer (e.g., in the case of Zilver PTX or BioFreedom stents), the elution 

time of the chosen drug is very short. For example, when the Zilver PTX stent is deployed, 95% of 

paclitaxel is taken up by the cells within 24 hours. This rapid uptake gives the Zilver PTX stent an 

elution profile similar to that of a drug-coated balloon. However, reports also described that paclitaxel 

can still be detected in the vessel wall up to 56 days later in nanogram levels 63.  
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1.1.5 Endothelialization & cytocompatibility 

 

 Blood vessels consist of three main sections: intima (tunica intima), media (tunica media), and 

adventitia (tunica adventitia), as shown in Figure 1.1b. The intima is the innermost layer directly in 

contact with flowing blood, consisting of an endothelial cell layer. Multiple layers of SMCs make up 

the media, which regulates blood vessel diameters by contracting or relaxing in response to chemical 

and neurological impulses. Adventitia is made up of fibroblasts and connective tissue, as well as 

interspersed SMCs, nerves, and small blood vessels that supply the artery itself 64.  

 PCI often disrupts the endothelium through mechanical trauma from the guide wire, balloon 

expansion, and stent implantation. As explained in Paragraph 1.1.1, stent-induced vascular injury is 

manifested by the removal of the endothelium and phenotypic changes in the underlying SMCs layers. 

Over time the injury heals with the development of a neointima.  Failure of or delayed cell proliferations 

and migration over injured areas and stent struts have direct clinical consequences 65. In the case of a 

stent, its surface is the point of direct contact with the vessel wall and hence would determine the stent 

efficacy and the healing properties associated with the device. 

 While first-generation drug-eluting stents (i.e., Cypher and Taxus) contain anti-proliferative 

agents to inhibit the proliferation of SMCs to combat restenosis, they also delay the regrowth of the 

intimal endothelial cells resulting in the subsequent development of stent thrombosis, the most notable 

clinical impact of poor endothelial proliferation 20. Several studies reported that the endothelialization 

of BMS struts occurs more rapidly than first-generation DES, reaching completion in 3 months 25. This 

is further supported by high-resolution optical coherence tomography and angioscopic studies showing 

uncovered DES struts two years after implantation, frequently associated with thrombus formation 66, 

67. Scanning electron microscopy (SEM) images of explanted rabbit iliac stents (day 28 post-implant) 

show poorly endothelialized struts in sirolimus- and paclitaxel-eluting stents. On the other hand, BMS 

showed a complete and smooth layer of neointima with no visible uncovered struts 33. It is now well-

established that both sirolimus and paclitaxel increase endothelial cells apoptosis, inhibiting migration 

and proliferation, thereby retarding the endothelialization of stent struts 33, 40, 66. Moreover, continued 

inflammation around the permanent polymers may stimulate ongoing neointima formation and late 

restenosis during long-term follow-up, as evidenced by both clinical and histologic studies 43. It can be 

concluded that the phenomenon of delayed endothelialization with first-generation DES can be 

attributed both to inflammatory reactions to the synthetic durable polymers and the cytotoxicity of the 

eluted drugs.  

 Second-generation DES (Endeavor, Xience V, Promus…) evolved by reducing stent strut 

thickness and improving the biocompatibility of the coated polymer leading to an improvement in 

endothelialization. Reduction in the incidence of stent thrombosis reported with such DES supports the 

notion that encouraging endothelial healing translates to tangible clinical benefits 68. Although the use 
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of second-generation DES can minimize stent-associated restenosis, there are several areas of concern: 

the drugs chosen were not intended nor specifically designed to address thrombosis, and non-degradable 

polymers can interrupt the natural post-injury cellular response (i.e., re-endothelialization) 69. Only 

recently, third-generation stents covered with fully degradable polymers such as PLGA and PLA have 

appeared on the market, with in-depth studies and long-term follow-ups still needed. 

 

1.1.6 The hemocompatibility issue 

 

 Although stenting has several benefits over bypass grafting, such as lower risks of 

complications and a much shorter recovery period, it can result in thrombosis and ISR, which are still 

the major drawbacks of coronary stent placement in patients with CHD 23, 65, 70. The beginning of the 

new millennium saw the introduction of drug-eluting stents, and even though their advantage over bare 

metal stents was clear in suppressing ISR by elution of anti-proliferative drugs, a new issue of stent 

thrombosis was identified (Figure 1.6) 43.   

 As mentioned in the above paragraph, blood vessels are lined with a thin layer of cells which 

play a pivotal role in maintaining vascular homeostasis. Stent thrombosis is the build-up of a thrombus 

(blood clot) inside the stented artery and can cause partial vascular occlusion, thus minimizing 

oxygenated blood flow to the target organ. Before a stent is expanded and deployed at the site of 

coronary artery stenosis, it is exposed to cellular-protein systems in the blood. Platelets and coagulation 

factors are the main components of the hemostatic pathway and, in physiological conditions, prevent 

uncontrolled hemorrhage. The exposure of the underlying cell layer of the vessel to the blood flow 

induces a mechanism that attracts platelets to the injury site, resulting in eventual aggregation and the 

formation of a thrombus and sudden occlusion of blood flow, as described in Paragraph 1.1.1. 
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Figure 1.6. Potential complications of coronary stenting. Restenosis in a traditional bare-metal stent and thrombosis in a 

drug-eluting stent. White arrows indicate blood flow. Adapted from Curfman et al 71. 

  

 Central to the formation of a hemostatic plug is the linking by fibrinogen (Fg) of adjacent 

platelets via the αIIbβ3 receptors, which have low affinity for fibrinogen on resting platelets. Following 

stimulation, a conformation change occurs, engendering a high-affinity state for Fg. Beyond linking 

platelets, Fg induces phospholipase C activation, which in turn extends platelet activation 72. This step 

has important implications for material thrombogenicity where a non-physiological change in Fg 

conformation results in the stimulation of resting platelets. Coating thrombogenicity is a complex 

process that involves multiple interrelated mechanisms. Interaction between these processes and the 

material surface is mediated by a layer of rapidly physically absorbed plasma proteins. This layer 

develops almost instantaneously on the coating surface upon contact with the plasma 73. The intrinsic 

and extrinsic coagulation pathways have both been implicated co-dependently in material-induced 

thrombosis. Post-mortem studies of patients with DES thrombosis found exposed struts surrounded by 

an abundance of fibrin clot 33. To sum up, the initiation of thrombosis in response to a stent depends on 

two main factors:  

 1) Disruption of the endothelium with stent deployment, exposing the thrombogenic 

subendothelial matrix to the flowing platelets and the coagulation cascade factors 74; 

 2) The inherent thrombogenicity of the stent, involving both the host reaction to the polymer 

coatings and the detrimental impact of the cytotoxic drugs 61. 

 Taking these factors into consideration, a biocompatible platform that is innately 

thromboresistant and simultaneously encourages the recovery of the traumatized endothelium has the 
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potential to mitigate stent thrombosis. The devastating clinical outcomes of DES thrombogenicity 

(mortality of 20-40% and myocardial infarction of 50-70%) have made it even clearer that an urgent re-

examination of the hemocompatibility of DES coatings is required 75.  Furthermore, it needs to be taken 

into consideration that the causes of stent thrombosis also depend on the patient (medical history and 

medication usage), the lesion itself (dimensions, bifurcation, pre-stent stenosis percentage), and the PCI 

procedure 76.   

 

 

1.2 Degradable polymers for biomedical coatings 

  

 The biological behavior of a biomedical implant is highly dependent on its chemical 

composition, the morphology of the surface, and its behavior in body fluids. A variety of coating 

systems have been developed to modify the surface properties of metallic implants, trying to improve 

their biocompatibility and blood-to-implant contact. Polymeric materials have been widely used in 

regenerative medicine for tissue fixation or replacement, orthopedics, scaffolds, and drug delivery 

vehicles 77, 78. At the same time, polymeric coatings also act as a barrier to shield the implant from the 

body's fluid environment, thus protecting against possible corrosion. Furthermore, the prepared layer 

can serve as a local drug delivery platform, releasing biomolecules (growth factors, flavonoids, 

peptides, etc.) for a specific application, as well as improving the biocompatibility of a medical device 
56.   

 Biodegradable polymers are of key importance in the field of tissue engineering and particularly 

within the drug delivery aspect. Such systems offer significant advantages over non-degradable 

matrices, as the degraded polymer is metabolized in the body and a second surgery to remove the drug 

delivery platforms becomes unnecessary.  Biodegradable materials for biomedical applications can be 

of synthetic or natural origin or a combination of both (Figure 1.7). Novel coating materials aim not 

only to repair the damage but also quickly regenerate the target tissue and its function. Therefore, 

biodegradable polymeric materials are nowadays considered superior alternatives in comparison to 

biostable ones regarding most medical applications 79.  
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Figure 1.7. Biodegradable polymers can be divided into two major categories: natural polymers, which can be extracted from 

natural sources, and synthetic polymers, which are man-made. Adapted from  Jian et al 80.  

 

1.2.1 Synthetic polymers 

 

 Synthetic biodegradable materials mainly comprise polymers where tunable degradation occurs 

over time via hydrolysis 81. The most widely used for biomedical coatings are polyglycolide (PGA), 

polylactides (PLA), poly(lactic-co-glycolic acid) (PLGA), polycaprolactone (PCL), and poly(ethers) 

including poly(ethylene oxide) (PEO), poly(vinyl alcohol) (PVA), and polyurethane (PU). In the 1970s, 

the shorter molecular version of PEO, poly(ethylene glycol) (PEG), gained notoriety when researchers 

found that such polymer prevents a variety of proteins from being absorbed 82. Regarding biomedical 

applications, PEG-based polymers are non-ionic, biocompatible, and mildly immunogenic 83.  

Polyurethanes are another wide class of biodegradable polymers under investigation, particularly for 

soft tissue engineering applications, as opposed to aliphatic linear polyesters, which are better suited 

for hard tissue engineering due to their high glass transition temperature and high modulus. Even if 

polyurethanes display a wide range of characteristics, they still have limited usage as biomedical 

implants due to the toxicity of their degradation products 77. 

 Polyester-based polymers are extremely popular due to their susceptibility to properties 

modification 78. The critical aspect that needs to be addressed is their level of biocompatibility as well 

as the by-products of degradation. For instance, PCL is a tough, aliphatic, semicrystalline polymer with 

questionable biocompatibility. According to reports, the hydrophobic nature of PCL inhibits cell 

attachment and growth, and various investigations have reported an adverse foreign body response on 

the material 84. Similarly, PVA has been applied in multiple biomedical areas due to its favorable 

properties but lacks cell-adhesive properties 84. The versatility of polyester-based polymers, and 

synthetic materials in general, allows for highly controlled degradability: in particular, the use of co-
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polymeric coatings allows fine-tuning of their mechanical properties and degradation rates by varying 

the polymers ratio 79. PGA and PLA are structurally related, with PLA having an additional single 

methyl group resulting in increased hydrophobicity. Their minor structural differences have a 

significant impact on the degradation rate: while PGA rapidly degrades within one month, PLA 

breakdown can take place from months to years 81. Degradation rates of several synthetic biodegradable 

polymers decrease in the following sequence, according to various studies: PGA ~ PLGA > PDLLA > 

PLLA > PCL 84. 

 

1.2.2 Natural polymers 

 

 Finding a suitable material supporting cell proliferation and differentiation for the formation of 

new tissue continues to draw significant research efforts across the globe in the fields of tissue 

engineering and regenerative medicine. Naturally-derived polymers (often termed "biopolymers") are 

highly attractive among various kinds of materials due to their biocompatibility, biodegradability, and 

similarity to the extracellular matrix components (e.g., collagen, gelatin, hyaluronic acid). Moreover, 

several biopolymers contain cell-recognition domains and biomolecule binding sites (e.g., RGD and 

LDV sequences in silk fibroin and keratin proteins) and may have inherent antibacterial and anti-

inflammatory properties (e.g., chitosan, alginate), despite batch-to-batch variations in terms of 

mechanical properties and their relatively short shelf-life 83, 85. Biopolymers are roughly classified into 

two classes based on their monomeric units 84: 

• Polysaccharide-based: starch, chitosan, alginate, hyaluronic acid, cellulose, agarose, dextran … 

• Protein-based: collagen, gelatin, silk, keratin, zein …  

 Additionally, polyhydroxyalkanoates (PHA), a class of thermoplastic polyesters, are 

synthesized by various genera of bacteria (Bacillus, Rhodococcus, Pseudomonas, etc.) through the 

fermentation of sugars or lipids and recently have been acknowledged as natural biodegradable 

materials for coatings 86. Bioactivity, biocompatibility, 3D geometry, and non-toxic by-products of 

biodegradation are the most important properties of natural polymers. The crucial aspect involved with 

biodegradable polymers for biomedical applications is the rate and type of degradation, which directly 

contributes to the drug release profile. Synthetic polymers usually degrade hydrolytically, whereas 

natural polymers are degraded both hydrolytically and via enzymatic reactions 84. 

 Polysaccharides form a group of naturally occurring polymers that are made of different units 

of monosaccharide or disaccharide chains. By mixing multiple saccharide isomers using a variety of 

chemical linkages, the outcome is an incredibly vast number of structurally-varied polysaccharides. As 

a result, it is not surprising that various saccharides and polysaccharides play a significant part in fine-

tuning cell environmental responses 87. Polysaccharides such as gums, chitosan, alginate, hyaluronic 

acid, and cellulose were found to be promising materials for different biomedical applications. For 
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instance, it is known that hyaluronic acid-based coatings enhance the hydrophilicity and 

biocompatibility of other (bio)materials 84, 87; chitosan has been widely used as a biomaterial for the 

repair of articular cartilage in the form of a hydrogel 88; alginate dressings resulted incredibly helpful as 

delivery platforms in order to provide a controlled release of therapeutic substances to the skin (e.g., 

pain-relieving, antibacterial, and anti-inflammatory agents) 85. 

 Proteins are the other biopolymer group, widely studied for biomedical applications given their 

abundance in the body and nature in general 89. These biomacromolecules show excellent 

biocompatibility and binding capacity with various bioactive molecules, good cell adhesion properties, 

and targeting ability 90. Furthermore, proteins are naturally digested in vivo by enzymes, generating non-

toxic metabolites readily assimilated by the body and performing biological functions such as muscle 

maintenance, control of immune responses, cell signaling, and repair of damaged cells and tissues 84, 91. 

Silk proteins have their primary sequence with a high degree of repetition, which results in a large 

concentration of β-sheets structures that give silk fibers their favorable mechanical characteristics. Silk 

fibroin has been claimed to have the potential to be employed in tissue engineering applications that 

require mechanically robust, long-term degradable materials 83. For instance, adult mesenchymal stem 

cells (MSCs) were combined with highly porous silk scaffolds for in vitro cartilage tissue engineering 
92. Keratin has also been transformed into films, scaffolds, hydrogels, and other structures as novel drug-

eluting biomaterials and has got much interest recently because of its ultrastructure, biodegradability, 

excellent biocompatibility, and presence of cell interaction motifs 93, 94. Yang et al. demonstrated the 

layer-by-layer deposition of keratin on quartz film and showed how a keratin coating might provide a 

biocompatible surface appropriate for tissue engineering 95. Recently, Trojanowska et al. showed how 

micropatterns composed of keratin particles were printed on glass substrates, offering binding sites to 

cell surface ligands, thus promoting cell adhesion 96. 

 In this context, plant-derived proteins are readily available, inexpensive, and can be generated 

as by-products when cereal grains are processed for food or fuel. They represent an alternative to 

animal-derived proteins since the latter have been reported to have disadvantages like immunogenicity, 

high cost, batch-to-batch variations, possible transmission of diseases, and ethical issues for the use of 

animal products 97. The principal plant-derived proteins are zein (from corn), soy protein, and wheat 

proteins (gluten, gliadin, and glutenin). They often have higher net negative charges than collagen and 

silk (i.e., animal proteins) and are thus more suited for delivering positively charged drugs. Moreover, 

plant proteins possess a higher content of polar amino acids that make them more favorable to attract 

cells. Due to the above mentioned advantages, increasing efforts are being devoted to exploring 

possibilities to use plant-derived proteins in various biomedical applications, including tissue 

engineering 98, 99, drug delivery 100, 101, and wound dressings 102. For example, Silva et al. reported a 

bioglass-incorporated bioactive soy protein composite for bone tissue engineering application 103. Also, 

soy protein films may find applications as microencapsulating agents of flavors and pharmaceuticals or 
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in coatings of fruits, vegetables, and cheese. However, chemical modifications such as crosslinking are 

often required to achieve necessary mechanical properties and water stability for these biomaterials 89.  

 

1.2.2.1 Zein protein  

  

 Zein, the main storage biomolecule in corn germ and endosperm, is a prolamine-rich protein 

that can be extracted from maize (Zea mays) gluten meal (a protein-rich by-product of starch 

production) with aqueous alcohol solutions and dried to a granular powder 104.  Zein is categorized into 

four sub-families, namely α-zein (19 and 22 kDa), β-zein (14 kDa), γ-zein (16 and 27 kDa), δ-zein (10 

kDa). α-Zein accounts for 75% to 85% of the total protein, according to sodium dodecyl sulfate-

polyacrylamide gel electrophoresis (SDS PAGE) 105. Zein comprises hydrophobic, neutral, and polar 

amino acid residues and shows an amphiphilic behavior, making it capable of self-assembly to form 

mesostructures with application in foods and pharmaceuticals. It has approximately 50% hydrophobic 

residues, with high percentages of leucine (20%), proline (10%), and alanine (10%), while the 

hydrophilic component is owing to the high glutamine content (21%-26%). Moreover, zein stands out 

from other proteins because it almost completely lacks lysine and tryptophan residues 106. It is insoluble 

in water due to a large number of uncharged amino acid residues; nevertheless, in the presence of 

alcohol, a significant amount of urea, an alkaline pH (> 11), or anionic surfactants, it becomes soluble. 

The chemical structure stability is attained via van der Waals interactions and intramolecular hydrogen 

bonding 104, 107. A proposed three-dimensional structure was established through a small-angle X-ray 

study of the α-zein, assuming that each of the tandem repeat units formed a single α-helix joined by 

glutamine-rich turns or loops, as illustrated in Figure 1.8. 
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Figure 1.8. Structural representation of α-zein. The structure is presented by cylinders and abundant amine functionalities on 

the glutamine (Q)-rich turns (loops) joining them. Non-polar amino acids are located in the hydrophobic core while Q-rich 

loops are forming the two hydrophilic edges. Adapted from Barbosa et al 108. 

 

 Zein is commercially available in two varieties: yellow zein and white zein, with the former 

showing a purity of 88–90% and a high concentration of xanthophyll pigments (8–9%) 104. Zein could 

quickly be processed in different shapes and structures, such as microparticles, nanoparticles, micelles, 

films, and gels. Several drugs and bioactive compounds such as ivermectin, gitoxin, anti-cancer drugs, 

essential oils, food-grade antimicrobials, coumarin, and 5-fluorouracil have been encapsulated in zein-

based structures that were investigated for biomedical applications 107, 109. Zein scaffolds for potential 

bone replacement implants were investigated as well, with results showing appropriate mechanical 

characteristics, including Young's modulus of 28–87 MPa and compressive strength of 1.5–11.8 MPa, 

comparable to cancellous bone 110.  On the porous zein scaffolds, adult mesenchymal stem cells 

demonstrated excellent adhesion, proliferation, and differentiation into osteoblasts when 

dexamethasone was present. Wang and coworkers further showed that adding oleic acid as a plasticizer 

increased the mechanical characteristics (tensile and flexural) of the porous zein scaffold 111. These 

findings can be added to the already many unique properties of zein, strengthened its use in tissue 

engineering, and revealed some promising drug delivery properties with controlled-release 

characteristics being attained. It is worth noting that the isoelectric point value of zein (6.2) might 

influence the drug release at different pH values, possibly by promoting some electrostatic interactions 

with charged drugs 104. Table 1.2 summarizes some of the key properties of zein as a natural biomaterial 

for applications in drug delivery and tissue engineering.  
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Table 1.2. Desirable properties of zein for applications in drug delivery and tissue engineering. Adapted from Paliwal et al 

104.  

Properties 
Application in drug delivery & tissue 

engineering 

Insoluble in water but soluble in aqueous-

alcohol solutions (2/3 hydrophobic and 1/3 

hydrophilic amino acids) 

Protein precipitation from the anti-solvent approach leads to 

particles formation; more sustained drug release rates than 

hydrophilic proteins; hydrophilic as well as hydrophobic 

drugs can be encapsulated 

Gelling character Hydrogels can be developed 

Inexpensive and generally regarded as safe 

(GRAS) status 
Commercial availability 

Adhesive nature Suitable for mucoadhesive drug/vaccine delivery 

Antimicrobial character Protection of loaded drugs from microbial degradation 

 

 

 The film-forming properties of zein have been recognized for decades and are the basis for its 

commercial utilization 112. Coatings are formed on hard surfaces by covering them with zein solutions 

and allowing the solvent (usually aqueous aliphatic alcoholic solutions) to evaporate. The dried zein 

residue forms hard, glossy, tough, scuff-proof, grease-resistant, protective coatings that are also 

resistant to microbial attack. During the coating development process, various natural polymers or 

plasticizers can be used to further enhance some of the zein features, such as poor mechanical strength. 

Zein coatings are nowadays already used as oxygen, lipid, and moisture barriers for nuts, candies, 

confectionery products, and other foods 113. Based on a long history of zein use in the food industry, the 

USA FDA approved zein in 1985 as a generally regarded as safe (GRAS) excipient for film coating of 

drugs, especially tablets 114. Several examples are available in the current literature; for instance, Liu et 

al. in 2006 proposed zein as the coating for pectin beads for indomethacin delivery to the colon. The 

developed coating increased the water resistance of the pectin beads while also protecting the drug from 

the acidic environment of the stomach 115. 

 Recently, zein has been probed for its potential as a biomaterial for coating biomedical implants 

because both zein and its by-products display favorable in vivo tissue compatibility 99. Rehman et al. 

showed that bioactive glasses/zein coatings for orthopedic implants increased the resistance of a 

magnesium substrate to electrochemical corrosion and that hydroxyapatite crystals were formed on the 

coated substrate after three days of incubation in a simulated body fluid 116. Similarly, in order to 

improve corrosion resistance and prevent the release of toxic metal ions in the physiological 

environment, Ahmed et al. used zein and hydroxyapatite to coat SS substrates used for orthopedic 
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applications. The results show that the proposed coatings were successfully deposited on the steel 

substrate, and after immersion in simulated body fluid, the coating capacity for bone connections was 

confirmed 117. Moreover, previous studies have demonstrated that zein functions as a bioactive molecule 

since, with the enzyme thermolysin, α-zein hydrolyzes to form peptides that inhibit the angiotensin-

converting enzyme; in hypertensive rats, such hydrolysates can lower blood pressure, as demonstrated 

by Ariyoshi et al 118. The antioxidant and anti-inflammatory activities of zein-derived peptides on the 

vascular systems were further investigated by Liang et al., who found a reduction in NF-κB ("nuclear 

factor kappa-light-chain-enhancer of activated B cells") activation levels and TNF (tumor necrosis 

factor)-α-induced inflammatory responses and oxidative stress in endothelial cells 119. The same cell 

line was tested by Shen et al. in their recent work, where the authors positively evaluated zein-based 

electrospun fibers as basement membranes for cell retention 120. Recently, the adhesion of endothelial 

cells on zein-based 3D-printed tubular structures was investigated by Xue et al., providing a system for 

3D cell culture, drug screening, and tissue engineering 121.  

 

1.3 Microfluidics for bionanotechnology 

  

 Microfluidics is the discipline of science that deals with the flow and manipulation of a small 

amount of fluid retained in a confined space 122. It is a newly developing branch of engineering and has 

the ability to address different areas of research like chemical analysis, electronics, physics, 

biomedicine, pharmaceutical sciences, etc. Its attraction in a variety of fields of investigations stems 

from its microdimension where fluid behavior differs from macroscale, i.e., laminar in microfluidics 

and turbulent at macroscale due to low and high Reynolds numbers, respectively 122. The birth of 

microfluidics can be traced way back to 1950 when it appeared for the first time in different 

chromatographic systems 123. Afterward, scientists continued to develop miniaturized systems with 

improved performance. Fluids in these microfluidic platforms behave similarly to those in certain 

human physiological systems, such as blood capillary 124, bone 125, tissue interstitial compartment 126, 

and kidney proximal tubules 127. The highly predictable microscale physics (e.g., capillarity and laminar 

flow) dominate over classical macroscale physics (e.g., gravity), resulting in a great degree of control 

in the design and operation of the devices for the user 128.  

 In the biomedical field, these miniaturized devices include microreactors for a range of 

important (bio)chemical reactions, such as mixers to allow studies of protein dynamics over 

microsecond timescales 129, and devices that improve important biochemical assays such as polymerase 

chain reaction (PCR) 130 and enzyme-linked immunosorbent assays (ELISA) 131. Microfluidic devices 

can accurately control physical and chemical conditions (e.g., temperature, gas tension, medium 

composition, and concentration of soluble factors) at the microscale level, benefiting from the laminar 

flow configuration and the high surface-to-volume ratio in order to create in vivo-like conditions, while 
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being compatible with flow-based assays 132. Another advantage of microfluidic devices is the ability 

to manipulate multiphase flows. These dispersions provide novel ways to make polymer particles, 

emulsions, and foams by enabling the development and control of monodisperse bubbles or droplets of 

a dispersed gas or liquid phase in a continuous liquid stream 122. Microdimension of microfluidic tools 

provides different advantages that could be summarized as follows 123, 128, 133: 

1) consumption of small quantity of samples and reagents, thus addressing safety (anticancer 

drugs,  biological and radioactive molecules) and economic issues;  

2) parallelization on microfluidic chips allows high throughput and multiple analyses at one time;  

3) precise control over flow, i.e., laminar flow where viscous forces are dominant;  

4) continuous flow operations;  

5) production of particles where the coefficient of variation is less than 5% and high encapsulation 

 efficiency for drug delivery systems;  

6) miniaturization allows portability and on-spot analysis due to integration and low power 

 consumption.  

 

1.3.1 Materials and microfabrication processes  

 

  Many materials are becoming suitable for building microfluidic devices. Polydimethylsiloxane 

(PDMS) is an elastomeric polymer that behaves as an elastic solid that maintains its molded structure 

when cured. Despite the many desirable properties of PDMS, which is nowadays the most commonly 

used material in microfluidic systems, PDMS has poor chemical resistance to certain solvents, and it 

can absorb small hydrophobic molecules (e.g., many drugs and fluorescent dyes), thus compromising 

rigorous chemical testing of potential therapeutic agents. As a result, several research teams are 

developing substitute materials that may be able to address some of the drawbacks of PDMS. Other 

polymers have also been widely used, including polymethylmethacrylate (PMMA) and polycarbonate, 

and fabrication methods include hot embossing and injection molding systems.  Glass has the potential 

to become one of the most suitable material for biological applications, primarily because of its 

favorable material properties. Fused silica or quartz glass is a type of glass made of almost pure silica 

in an amorphous (non-crystalline) form that is resistant to a wide variety of chemical agents, with only 

a few compounds, such as hydrofluoric acid (HF), capable of etching it.  Fused silica-based chips are 

more expensive to fabricate compared to PDMS-based platforms but exhibit excellent pressure and 

chemical resistance quality, gas impermeability, high stiffness (shear modulus ~30 GPa), low auto-

fluorescence, they are optically transparent, and excellent insulators 123, 133.  

 A limited number of techniques are capable of fabricating microfluidic devices since few 

strategies have enough resolution to create these structures at a submicron scale. Lithography is the gold 

standard in the fabrication of microfluidic devices, especially when using PDMS as a replica. The 
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manufacturing of the photoresist master mold, which requires substantial knowledge and expensive 

equipment, is the source of most of the costs in the soft lithography production process. Furthermore, 

the master mold is susceptible to deterioration and has a limited casting life 133. Ultrashort laser is 

nowadays one of the most important contact-free tools for micro structuring on a wide variety of 

materials. Thanks to the short time duration and the very high peak power, ultrashort laser pulses enable 

new mechanisms of material modification and removal due to a peculiar timescale characterizing the 

laser-matter interaction. The ultrashort laser fabrication of microfluidic devices represents a niche 

market in response to the need to find alternative processes to manufacture these components with high 

accuracy and high-quality surface finishing. In particular, among the techniques which have enabled 

advances in the field of microfluidic fabrication, Femtosecond Laser Irradiation and Chemical Etching 

(FLICE) is becoming a valuable and reliable microfabrication technology for the fabrication of 

embedded microchannels in transparent materials (e.g., glass and fused silica), especially when 

customization or rapid design modifications are required (Figure 1.9). FLICE is based on permanent 

bulk modifications that a very intense and ultrashort radiation induces when interacting with a medium. 

As the second and last step of the technique, the chemical etching is performed with HF, which is 

applied to the previously irradiated specimens in order to create directly buried microfluidic structures. 

Finally, the samples must be carefully rinsed for several minutes in an ultrasonic bath with deionized 

water before being used.  The FLICE method offers several immediate benefits over the more well-

established photolithography technology: for instance, it is not easy to construct complex 3D structures 

with photolithography since the process must be repeated numerous times, owing to its inherent 2D 

nature. On the contrary, femtosecond micromachining allows for the production of 3D geometries, also 

with circular cross-sections, in addition to avoiding the need for clean rooms 134-136. 

 

 

Figure 1.9. Femtosecond laser fabrication of channels for microfluidic devices. Schematic diagram of the (a) writing setup 

and (b) etching of the written structure in an HF acid bath. Adapted from Chaitanya Vishnubhatla et al 134. 

a) b) 
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1.3.2 Interfacing microfluidic devices   

 

 Microfluidic systems allow researchers to recapitulate the physiological microenvironment 

more faithfully than experiments in conventional static cell culture dishes or larger-scale bioreactors 

where the flow is turbulent 132. Microdevices can have either an integrated detection module or are 

coupled to an external instrument. While optical and fluorescence microscopy are commonly employed, 

interfaces to many other analytical methods are currently being advanced, opening multiple options for 

assays, with or without the need for labels 133. If florescent dyes are used in the flowing medium, chips 

can be designed with transparent regions to allow real-time microscopy or other imaging modalities 

with very low working distances 137. The microfabrication techniques mentioned in the previous 

paragraph can be used to produce chips for mixing, separation, and analysis of chemical compounds 

and drugs and also to create on-chip systems for cell culture and assays. These so-called "organ-on-

chip" can mimic the cell culture conditions of a biological tissue or organ and allow the reduction or 

partial replacement of animal studies 138. Alternatively, microarrays for high-throughput studies enable 

large numbers of small cell samples to be interrogated in parallel in order to investigate a wide range of 

cell culture conditions 139. Interactions between biological systems and materials, governed by 

phenomena occurring at small length scales, are essential in the development of biomaterials, 

particularly for applications such as regenerative medicine or drug delivery 140. Microfabrication 

technologies have also been used to produce and pattern surface functionalities, such as micro- and 

nano-topographies, which are of interest in biomaterials science. The resulting chips can mimic a 

biological niche to study corresponding cell-material interactions in vitro. For instance, Kent et al. 

described a custom-made parallel plate flow chamber (PPFC) to analyze platelet–von Willebrand factor 

interactions under controlled shear rates (Figure 1.10) 141. 
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Figure 1.10. Parallel-plate device schematic. (a) View of the constituent components of the device: top plate, flow chamber 

layer, and the glass (microscope coverslip) base plate. (b) The layers fully assembled (above), and a photograph of an 

assembled device (below). Adapted from Kent et al 141. 

 

 PPFCs have been developed to assess various parameters under dynamic settings and are 

typically built with two plates made of polymeric material (e.g., polycarbonate, PMMA) between which 

the fluid flows, and a gasket, generally made of silicone rubber, is placed between the plates and defines 

the height of the flow channel 142. On the part of the device that houses the samples, it is possible to 

perform specific surface treatments (e.g., coating with extracellular matrix proteins).  

 The constant development and research into stent technology have not demonstrated a 

correlative representation of studies on microfluidic systems that assess the efficacy of stents and/or 

stent coatings. In earlier studies, Li et al. developed a rectangular PDMS-based channel to exclusively 

detect the release of fluorescent model drugs from a gold coating 143; Jia et al. investigated the 

degradation characteristic of PLGA coatings for stents with a not-well-specified dynamic system 144, 

while Zheng et al. employed a PPFC to investigate the drug release from PLGA films under different 

shear stress using an aqueous Tween 20 solution as the release medium 145. Conversely, the dynamic 

degradation of magnesium alloy-based stents has been evaluated with modified media and buffers. 

Wang et al. in 2016 assessed the degradation of magnesium wires (as a stent model) using Dulbecco's 

Modified Eagle Medium (DMEM) with 10% fetal bovine serum (FBS) and 1% penicillin/streptomycin 

as standard culture medium with a flow rate of 100 ml/min under normal incubator conditions for five 

days 146. Their study focused primarily on comparing the degradation in vivo to that of their ex vivo 

bioreactor model. The latter was a commercially available system consisting of a vessel chamber (50 

b) a) 
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mL of volume), pumps, a flow control channel, and a hertz oscillator. Nevertheless, this system was 

subsequently considered inaccurate due to the large volume and absence of blood proteins that could 

affect the stent degradation 147. Lastly, Ye et al. fabricated a DES using poly(1,3-trimethylene carbonate) 

on a magnesium-based stent and studied solely its degradation behavior with microfluidic chip, 

electrochemical, in vitro, and in vivo tests 148. Microfluidics has also been recently employed to fabricate 

diverse functional materials for stent coatings. As an example, Cheng et al. combined electrospinning 

techniques with microfluidics to generate fibers to coat vascular stents, with the aim of preventing 

neointimal hyperplasia through the local delivery of selective drugs 149.  

 Given the recognized involvement of platelets in normal hemostasis and pathological 

thrombosis, several techniques have been developed to evaluate the processes behind platelet 

(dys)function. Although flow chamber technology using PPFC is a well-established method for testing 

platelet function and antithrombotic treatments, it has certain drawbacks, mostly due to a lack of 

standardization in chamber construction and to the dimensions of the perfusion chamber. Recent efforts 

to downscale this technology using a variety of microfluidic devices have opened up new avenues for 

investigating platelet adhesion and activation under finely regulated flow conditions 150. However, 

previous studies have almost exclusively focused on platelet behavior on selected molecules, such as 

tissue factors and antithrombotic drugs, using both custom-made and commercial flow devices, as 

described by Provenzale et al 151. To date there is a lack of research focused on assessing the efficacy 

of stent therapeutics and coatings with regard to thrombus formation. Developing a near-physiological 

in vitro system that could indicate whether a particular drug or material is more hemocompatible than 

another will not only reduce the number of animals for surgery but will also cut down on cost and time.  

 

1.4 Aim of the study  

 

Drug-eluting stents have been one of the major healthcare advancements in the last three 

decades in treating vascular diseases, including CHD. Since the introduction of vascular stents, the 

progression of stent development has been a key field of research. Moreover, due to the nature of such 

cardiovascular diseases, it is evident an increase in the number of patients that suffer from stent-related 

complications inherited in the current commercially available stents, including in-stent restenosis and 

thrombosis 70. From the literature review, it is clear that a truly biocompatible and hemocompatible stent 

coating remains elusive. Unfortunately, metallic alloys are inherently thrombogenic, and the multitude 

of approaches (biodegradable polymer for DES, polymer-free DES …) reflects a lack of a definitive 

solution to the issue of stent biocompatibility, with low thrombogenicity (Paragraph 1.1.6) and 

encouragement of endothelial adhesion and proliferation (Paragraph 1.1.5) being the essential 

determinants. 
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   Based on these premises, this multi-disciplinary research focused on developing naturally-

derived coating materials for DES to increase their performance by improving physico-chemical 

characteristics, drug release, antioxidant properties, and enhancing hemocompatibility and 

endothelialization. The first project (Chapter 2) aimed to design and develop biodegradable and 

biocompatible zein-based bilayer coatings for DES with the ability to release rutin, a naturally-derived 

drug. Such antioxidant and anti-inflammatory active compound was chosen since inflammation after 

balloon injury plays an important role in the initiation and progression of restenosis, as described in 

Paragraph 1.1. Particular attention was dedicated to the exclusive use of green solvents and fabrication 

approaches. Release profiles, physico-chemical properties, and biocompatibility with endothelial cells 

and fibroblasts were examined for single and bilayered coatings.  

  Although the stenting procedure is well established, it is clear from clinical data that there is a 

large lack of comprehension of coatings impact in preventing thrombosis. As a more representative 

manner of studying stent-blood interaction would require three dimensionalities, the second project 

(Chapter 3) aimed to establish a microfluidic platform to study stent coatings behavior under dynamic 

conditions. The work presented here involved the development of a fused silica-based platform (with 

FLICE fabrication techniques), modeled to mimic the microenvironment of a healthy and obstructed 

stented artery in order to better investigate existing and novel DES coatings. Flowing whole mice blood 

and simulated blood fluids contributed to a deeper understanding of the dynamic impact of blood flow 

on the performance (e.g., matrix degradation and drug release kinetics) of the proposed sustainable, 

plant-based biomaterials.   
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Chapter 2 - Design and development of zein-

based bilayer coatings for drug-eluting stents 

 

2.1 Introduction 

This chapter section is partially taken from Lenzuni M. et al., "Development of biodegradable zein-

based bilayer coatings for drug-eluting stents" RSC Advances (2021). 

 

As broadly discussed in Chapter I, the purpose of creating new coatings for DES is based on 

the need to reduce the side effects of their implantation. The carrier, often a polymeric matrix, keeps 

the selected drug in place, preserves its chemical stability, and, most importantly, manages its release 

kinetics. Long-term follow-up studies have revealed that patients with first-generation DES (i.e., 

Cypher and Taxus, described in Chapter 1, Paragraph 1.1.3) have an increased risk of stent thrombosis 

due to a delay in vascular healing and re-endothelialization, despite several clinical trials have endorsed 

the effectiveness of DES over BMS in blocking restenosis 152. Durable synthetic polymers are frequently 

associated with complications such as persistent inflammation and adverse reactions at the implant site 
153. Additionally, the production of acidic by-products from non-permanent synthetic polymers like 

PLGA and PLLA might delay tissue repair and induce localized inflammation 154.  

The use of naturally-derived polymers as coating materials for biomedical devices has recently 

attracted scientific interest since they combine biodegradability with other essential qualities, such as 

cell attachment and excellent biocompatibility. As discussed in Chapter 1, Paragraph 1.2.2, biopolymers 

physiologically break down into molecules of low molecular weight that can be readily excreted or 

assimilated by the body, resulting in reduced inflammation in long-term applications   154, 155. However, 

a few of these materials present drawbacks when applied to the vascular system (e.g., thrombogenicity, 

low mechanical resistance, and mild immunogenicity) 83, 84. Plant-based polymers are in high demand 

as an alternative to animal-based materials due to high availability, low cost, health advantages, and 

sustainability issues 85, 91. Besides looking for new plant protein alternative sources, current research 

has focused on extraction methods, modification techniques, the addition of functional features, and the 

performance of plant-based proteins as structural building blocks of carrier systems 91. As anticipated 

in Chapter 1, zein is a promising corn-derived protein and has been increasingly considered for 

biomedical applications 156. Zein may be used as a vehicle for controlled drug release since it can form 

biodegradable and biocompatible matrices, has strong adhesive properties, and it is soluble in aqueous 

alcohol solutions but not in water 99, 113. Moreover, zein could be easily transformed into a variety of 
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shapes and structures, such as films, nanoparticles, and fibers. More information on this plant-based 

protein can be found in Chapter 1, Paragraph 1.2.2.1. 

Despite the wide range of drugs used in DES coatings, most currently authorized compounds 

(e.g., sirolimus, paclitaxel, zotarolimus, everolimus, dexamethasone) are deemed toxic and carry a high 

risk of adverse effects. Flavonoids are plant-based polyphenolic compounds with a wide range of 

biological functions and, as such, have attracted significant interest in CAD treatments due to their 

potential to lower the risk of cardiovascular diseases 157, 158. Rutin (Figure 2.1), also known as quercetin-

3-rutinoside, is a flavonoid extracted from different plants and fruits (e.g., buckwheat, tobacco, 

forsythia, viola, blackberry, quince, cherry) and offers noteworthy pharmaceutical efficacy as an 

antioxidant, anti-inflammatory, and antiplatelet compound 159, 160. Additionally, rutin can enhance 

vascular functions and accelerate re-endothelialization by promoting the production of the basic 

fibroblast growth factor 161. Rutin may thus be a suitable choice for future DES coatings, with the ability 

to minimize thrombosis and inflammatory events, reduce oxidative stress in surrounding tissues, and 

enhance endothelium healing. 

 

 
Figure 2.1. Chemical structure of rutin. 

 

Currently, the most used techniques to produce DES coatings are dipping and spraying 162. The 

process of dipping entails submerging the strut of the stent in a solution usually composed by one or 

more solvents, polymers, and drugs. Concentrations and timings may differ with the dipping procedure 

used, which is usually completed by gradually removing the stent, drying, and/or curing. Using the 

spray method, the solvent evaporates once the mixture has been applied to the stent. Depending on the 

required coating thickness, a multi-step coating may be used to create a multi-layered DES. An 

important concept to consider during spray coating is that all parameters must be optimized and then 

kept fixed. These include the distance between the airbrush tip and the stent, the solvent, the airflow, 

the time of spray, as well as the amount of polymer and drug dissolved in the solution. 

In this first PhD project, naturally-derived double-layer coatings for DES applications were 

fabricated and characterized. An optimal composition for a plant-based bilayer coating is provided here, 
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comprising an active layer (a rutin-loaded zein matrix) and a sacrificial layer (cross-linked alginate), 

the latter providing a more controlled and sustained release of the underlying drug. Sodium alginate, a 

natural polysaccharide extracted from brown seaweed varieties, was chosen after a preliminary analysis 

for its ability to rapidly cross-link to form gel networks in the presence of calcium ions and prevent 

non-specific adsorption of blood proteins and platelets on the device surface, as suggested by the 

literature 163. The exclusive use of green solvents and natural polymers of which the coating is composed 

can ensure complete biodegradation without harmful by-products. In this project, rutin release, 

antioxidant profiles, degradation analyses, as well as the physico-chemical characteristics of both single 

and double-layer coatings were investigated under simulated physiological conditions. Lastly, the 

biocompatibility of the constructed systems was assessed by evaluating how endothelial cells and 

fibroblasts adhere and proliferate on each polymeric substrate. 

 

 

2.2 Materials & Methods 

This chapter section is partially taken from Lenzuni M. et al., "Development of biodegradable zein-

based bilayer coatings for drug-eluting stents" RSC Advances (2021). 

 

2.2.1 Materials 

 

 Zein powder, rutin hydrate, alginic acid sodium salt, poly(ethylene glycol), 2,2-diphenyl-1-

picrylhydrazyl free radical (DPPH•), 2,20-azinobis(3-ethylbenzothiazoline-6-sulfonic acid) 

diammonium salt (ABTS) and potassium persulfate (K2S2O8) were provided by Sigma-Aldrich (St 

Louis, USA) and used as received without further purification. Granular calcium chloride (CaCl2) was 

purchased from Merck KGaA (Darmstadt, Germany). Hyaluronic acid sodium salt (MW = 350,000) 

was purchased from ABCR (Karlsruhe, Germany). Commercial stainless steel (SS) springs (L = 15.7 

mm, D = 2.75 mm) and flat sheets (316L SS, 500 mm x 300 mm x 0.5 mm) were purchased from RS 

Component (Milan, Italy). Dulbecco's Phosphate Buffered Saline (PBS), dimethyl sulfoxide (DMSO), 

and ethanol (≥ 99.8%) were purchased from Sigma-Aldrich (St Louis, USA), while deionized water 

(ddH2O) was supplied by a Milli-Q Integral purification system (Millipore, Bedford, USA). 

 

2.2.2 Fabrication of zein-coated substrates  

 

 To generate two-dimensional model substrates for coating deposition, 316L SS sheets were cut 

into squared pieces measuring 18 mm x 18 mm (herein referred to as "coupons"), while stainless steel 

springs were used as 3D models. Since zein has strong adsorption to hydrophilic surfaces, the SS springs 
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and coupons were initially ultrasonically cleaned with ethanol and deionized water for 10 minutes to 

remove impurities and then pretreated with O2 plasma for 2 minutes at 100W using a Tucano plasma 

system (Gambetti Kenologia, Milano, Italy) to avoid the following peeling off of the coatings from 

substrates. This preliminary step allows for achieving a homogeneous thickness of the zein coating on 

a more hydrophilic substrate surface than traditional stainless steel. The rutin-loaded zein (ZR) solution 

was prepared by dissolving rutin powder in 5% v/v DMSO and diluting it with a combination of 76% 

v/v ethanol and deionized water (Figure 2.2a). Following that, zein powder was added to create a 

homogenous solution with 15% w/v zein and rutin 10% w/wzein. The mixture was then stirred at room 

temperature for 60 minutes at a speed of 700 rpm until completely dissolved. (Figure 2.2b).  

 

 

Figure 2.2. Preparation of ZR solutions with the exclusive use of green solvents. A photograph of rutin dissolved in DMSO, 

ethanol, and water (a) and a photograph of the rutin-loaded zein (ZR) solution (b). 

 

 Cleaned and pretreated stainless-steel springs and coupons were weighted by an analytical 

balance (ABT 120–5DM, Kern) with a level of accuracy of 0.01 mg and promptly dip-coated with the 

rutin-loaded zein solution. Briefly, the substrates were submerged for 10 seconds in a 50 mL glass 

beaker filled with the previously prepared mixture. The samples were then gradually removed from the 

solution and kept in a fume hood for 12 hours to allow any remaining solvents to evaporate and create 

a thin, hardened zein-based layer. The resultant substrates were weighed once again after the coating 

was applied. An indication of the coating volume deposited onto each substrate was given by the 

difference between the two weights compared to the weight of 1 mL of dried ZR solution. This data 

was then used to calculate the amount of zein and rutin deposited on each sample for the following 

characterizations.  

a) b) 
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2.2.3 Fabrication of sacrificial layers 

  

 With the aim of optimizing the sacrificial top layer, several materials were tested in a 

preliminary phase of the study: a 3% w/v sodium alginate solution (Alg) in ddH2O, a 1% w/v hyaluronic 

acid (HA) solution in ddH2O, a 1% w/v hyaluronic acid (HA) solution with 1% w/v PEG in ddH2O 

(HA/PEG) and a 15% w/v zein (Z) solution in 80% v/v EtOH were prepared and applied by a dipping 

method on the dried ZR-coated samples. Alginate was chosen as the most suitable biopolymer for the 

sacrificial layer, and a two-step ionic cross-linking procedure was carried out using a 10% w/w CaCl2 

ethanolic solution (1.35 M, containing 75% v/v EtOH). In particular, using an airbrush spray instrument 

(0.55 mm nozzle diameter, model VL-SET, Paasche Airbrush Company, Chicago, USA), the calcium 

chloride solution was sprayed onto the ZR/Alg-coated surfaces, and the samples were subsequently 

immersed in the same CaCl2 solution for additional 15 seconds to achieve a uniform cross-linked layer. 

Prior to characterization, the resultant samples (ZR/cAlg) were dried overnight at room temperature. 

Table 2.1 lists the formulation details used for the chosen plant-based bilayer coating. 

 

Table 2.1. Drug-polymer formulations for the bilayer coating. 

Layer Matrix Material Functional Molecule 

Active layer (ZR) 
Zein 15% w/v in ethanol/ddH2O /DMSO 

(76:19:5 v/v) 
Rutin 10% w/wzein 

Sacrificial layer (cAlg) 

Alginate 3% w/v in ddH2O +  

CaCl2 10% w/v in H2O/ethanol 

(25:75 v/v) 

___ 

 

 

2.2.4 Surface topography 

 

 Scanning electron microscopy (SEM) is a characterization technique that allows for high-

resolution three-dimensional viewing of the sample surface. SEM JSM-6490LA microscope (JEOL 

Inc., Peabody, USA) at 10 kV accelerating voltage was used to analyze the morphologies of the coated 

SS samples. To increase the electrical conductivity of the surfaces, the specimens were placed on 

conductive carbon tape, mounted on SEM stubs, and sputter-coated with a 10 nm coating of gold. At 

various magnifications, digital photographs of surface topographies and cross-sections were obtained.  

 Additional coated specimens were manually scratched with a lancet, and their thickness was 

measured with a profilometer (Ambios XP-2, Ambiostech, Santa Cruz, USA) equipped with a diamond-

tipped stylus. A constant load of 0.5 mN with a speed of 0.5 mm/s was applied to the stylus tip (radius 

= 2 µm). The average roughness of each layer was calculated using similar parameters. In particular, 
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the stylus tip was used to draw a straight line of 2 mm on each sample, and the in-built software XP-2 

was used to determine the arithmetic roughness of each sample over the drawn path. 

 

2.2.5 Fourier-transform infrared spectroscopy 

  

 Infrared (IR) spectroscopy is based on the transfer of energy from radiations to molecules 

through molecular absorption, which happens when the wavelength of an incoming IR radiation 

matches the frequency of oscillation of a molecular bond. Stretching, bending, and other movements 

are considered molecular oscillations (vibrations). The absorption intensity may be used to identify the 

kind of molecular vibrations and the functional groups present in a sample since each motion entails an 

oscillation at a particular frequency (or wavelength or wavenumber). An infrared spectrometer (Vertex 

70 FT-IR Spectrometer, Bruker, Germany) was used to collect Fourier Transform Infrared (FTIR) 

spectra of the prepared substrates. ATR (Attenuated Total Reflection) measurements were taken 

between 4000 and 750 cm-1, with 32 scans at a resolution of 4 cm-1. 

  

2.2.6 X-ray photoelectron spectroscopy   

  

 X-ray photoelectron spectroscopy (XPS) belongs to the class of surface characterization 

methods based on the study of the energy of the electrons emitted from the surface of a sample irradiated 

with an X-beam towards the external environment under vacuum conditions. By measuring the kinetic 

energy of the photoemitted electrons, the XPS technique can give information on their binding energy, 

uniquely identifying the atomic species in the sample. Here the chemical components of the coated 

surfaces were studied on an electron spectrometer (Lab2, Specs, Berlin, Germany) equipped with a 

monochromatic X-ray source (set at 1486 eV) and a hemispherical energy analyzer (Phoibos, HSA3500, 

Specs, Berlin, Germany). The applied voltage and current of the Al Kα X-ray source were adjusted at 

13 kV and 8 mA, respectively. The analytical chamber had a pressure of ~ 1×10−9 mbar. The resulting 

spectrum is composed of different peaks at very precise energies: each of them corresponds to an energy 

level and, thus, to a chemical element. 

 

2.2.7 Water contact angle measurements 

  

 The wettability to water can be measured via contact angle analysis by means of a water droplet 

deposited on the material surface. This parameter has significant consequences for biomaterials exposed 

to in vivo aqueous environments, such as stents in the vascular system. It drives protein adsorption to 

the surface and influences the structural shape of adsorbed plasma proteins. The interaction between a 

blood-contacting material and blood cellular components is conveyed through a rapidly adsorbed 
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protein layer, as previously described in Chapter 1, Paragraph 1.1.1. Using a contact angle goniometer 

(Dataphysics OCA 20, Filderstadt, Germany) and the sessile drop technique, static contact angle 

measurements were calculated for the coated coupons. By means of a microsyringe, 5 µL droplets of 

ddH2O were placed on each sample surface in ten separate places, and the acquired images were 

elaborated using the SCA 20 Software (Data Physics Instruments GmbH, Filderstadt, Germany). The 

angle between the drop baseline and the tangent at the drop boundary was calculated, and the contact 

angle measurements were computed by taking the arithmetic average of the left and right contact angles 

from each droplet. Generally speaking, a surface is thought to be hydrophilic (high wettability) if the 

contact angle is less than 90 degrees, and hydrophobic if the angle is more than 90 degrees (low 

wettability). 

 

2.2.8 Mechanical analysis  

  

 The adhesion is a critical property to investigate for improving the long-term reliability of 

polymer-coated stents. Coating failures (e.g., delamination, fracture, cracks), mainly related to lack of 

interfacial and cohesive adhesion, could induce major complications, such as thrombogenesis. 

However, to date, no specific adhesion test for coated stents has been reported by the FDA 164. Here, 

scratching tests were conducted with a Micro-combi Tester (Anton-Paar, Peseux, Switzerland) and a 

diamond conical indenter with a 0.1 mm diameter to determine the critical load values (i.e., the load at 

which the coating begins to delaminate at the borders of the scratch track) of the proposed coatings on 

stainless steel. A 5 mm scratch test was performed on the samples' surfaces, with a progressive load 

ranging from 30 to 1000 mN and a 5 mm/min speed rate. Three distinct spots on each coating were used 

to confirm the uniformity of the deposition process, and optical microscopy was used to verify the 

critical load values obtained. 

 

2.2.9 Coating degradation and drug release studies 

 

 A zein solution (15% w/v) in 80% v/v EtOH was used to coat SS coupons in order to evaluate 

the kinetics of polymer degradation in PBS buffer. In 6-well plates, several precisely weighted samples 

(both before and after the zein coating) were inserted at the bottom of each well filled with 3 mL of 

PBS (pH 7.4). In order to mimic the blood flow and the physiological milieu of the human body, the 

plates were covered with parafilm and put in an incubation shaker with continuous agitation (75 rpm 

and 37 °C). The incubation medium was entirely removed for analysis at defined time points (varying 

from 15 minutes to 21 days), and 3 mL of fresh PBS were immediately replaced into each well. A Cary 

6000i UV-Vis-NIR spectrophotometer (Varian, Palo Alto, USA) was used to measure absorbance at 

270 nm (zein λmax), and the quantity of zein released from each coupon was computed using an 
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appropriate calibration curve. The results were reported as the cumulative percentage of degraded zein 

as a function of incubation time using Equation (1). 
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 Similar criteria were used to evaluate rutin released from various coated SS coupons (either 

with one or two layers). To create a calibration curve and quantify the concentration of the active 

component in the incubation medium at each time point, solutions with known concentrations of rutin 

dissolved in PBS were utilized. The absorbance at 360 nm (rutin λmax) was recorded, and Equation (2) 

was used to represent the results as the cumulative percent of rutin released as a function of the 

incubation time. 
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 A reference sample was selected at the end of fixed time points, rinsed with deionized water, 

and vacuum dried for 24 hours to determine the existence of surface morphological changes during the 

studies. SEM was used to observe morphological features of the degraded coatings, as previously 

described in paragraph 2.2.4. Using the ImageJ analysis software (Wayane Rasband, NIH, 

http://rsbweb.nih.gov/ij/), a porosity analysis was performed on acquired images to determine the mean 

pore sizes and pore size distribution curves. On average, 200 pores from three different SEM 

micrographs were manually analyzed for each time point. 

 

2.2.10 Antioxidant assays 

 

 The ABTS•+ and DPPH• assays are extensively used methods for assessing the antioxidant 

capabilities of natural and synthetic products; both are spectrophotometric procedures based on the 

quenching of stable colored radicals (ABTS•+ or DPPH•) and demonstrate the antioxidant capacity of a 

molecule/system to scavenge radicals. These assays were used in this study to assess and confirm rutin 

scavenging ability after the coating preparation steps and long-term release assays. For the ABTS•+ test, 

the radical cation was produced by mixing a 7.0 mM solution of ABTS in ddH2O with a 2.45 mM 

solution of potassium persulfate. The mixture was kept in the dark for 15-16 hours until the reaction 

was completed and the absorbance at 728 nm was stable. The ABTS•+ solution was then diluted with 

deionized water to achieve an absorbance of 1.00 ± 0.02 at 728 nm. At predetermined time intervals, an 

aliquot of the extracts (150 µL) was mixed with 1850 µL of ABTS•+ diluted solution, and the absorbance 

was measured using a UV-Vis spectrophotometer after 1 minute. The absorbance of a control sample 

containing 150 µL of PBS was measured similarly, and a rutin stock solution in PBS and its diluted 
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products were used for comparison. The ABTS•+ scavenging ability of each sample was determined 

according to Equation (3), where A0 is the absorbance of the radical control solution, and A1 is the 

absorbance of the radical solution after adding the extract. 
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 The DPPH• free radical scavenging method was also employed to assess the antioxidant 

capability of the released samples. To create a 0.2 mM solution, DPPH• powder was dissolved in ethanol 

and stirred for 30 minutes. Cuvettes containing aliquots of 150 µL of the extracted sample solutions and 

1 mL of the DPPH• solution were incubated for 30 minutes at room temperature in the dark. A UV-Vis 

spectrophotometer was then used to detect their absorption at 522 nm. Similarly, the absorbance of a 

control sample with 150 µL of PBS was measured, and, for comparison, a rutin stock solution in PBS 

and its diluted products were employed. The DPPH• scavenging activity of each sample was calculated 

using Equation (3). 

 

2.2.11 In vitro studies with human umbilical vein endothelial cells  

 

 Human umbilical vein endothelial cells (HUVEC, Carlo Erba, Italy) were used to test the 

biocompatibility of glass coverslips (12 mm Ø) coated with ZR and ZR/cAlg. The samples were UV-

sterilized and placed on a 24-well plate (1.9 cm2). Cells were seeded onto each slide at a density of 10 

x 105 cells per well and cultured for 24 and 48 hours at 37 °C in an incubator humidified with 5% CO2. 

Standard controls were cells grown in a growth medium. The HUVEC vitality after each experiment 

was determined using the alamarBlueTM assay (Thermo Fisher, Italy): briefly, cells were washed once 

with pre-warmed PBS before being treated for 3 hours at 37°C with DMEM without red phenol (with 

4.5 g/L glucose, ampicillin, sodium pyruvate, and without L-glutamine) containing 10% v/v 

alamarBlueTM. A microplate reader (FLUOstar Omega Microplate Reader, BMG LabTech, Ortenberg, 

Germany) was used to measure the fluorescence intensity (excitation wavelength, 544 nm; emission 

wavelength, 590 nm) from each well. Four repetitions were performed for each type of sample, and the 

fluorescence results were compared using a one-way ANOVA (i.e., analysis of variance) followed by 

a post-hoc Tukey HSD statistical test. Differences were considered statistically significant at a level of 

p < 0.05. 

 Furthermore, cells cultured for 48 hours on each sample (ZR- and ZR/cAlg-coated glass slides 

with Ø = 13 mm) were fixed for 2 hours at room temperature with a 3% v/v glutaraldehyde solution in 

PBS. The substrates were then washed three times with PBS before staining the cellular cytoskeleton 

and nuclei for 40 minutes in the dark with 150 µL (50 µg/mL) of Phalloidin-Atto 488 (Sigma-Aldrich, 

Italy) and 10 minutes in the dark with 250 µL of Hoechst 33258 (Sigma-Aldrich, Italy), diluted 1:10000 
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in PBS. Samples were photographed using a Confocal Laser Scanning Microscope (CLSM, Leica TCS 

SP2, Leica Microsystems, Italy) at λex = 501 nm and λem = 523 nm for Phalloidin-Atto 488 and λex = 

346 nm and λem = 460 nm for Hoechst 333258 dyes. 

 

2.2.12 In vitro studies with human dermal fibroblasts 

 

 To further confirm the biocompatibility of the manufactured plant-based coatings, adult 

primary human dermal fibroblasts (HDFa, Thermo Fisher Scientific, Italy) were utilized as an additional 

cellular model. Cells were cultivated in T75 culture flasks in an incubator at 37 °C and 5% CO2 in the 

presence of Medium 106 (under low-serum growth supplement, Thermo Fisher Scientific, Italy). For 

the biocompatibility assays, fibroblasts were seeded at a density of 7000 cells/cm2 onto 24-well plates 

and allowed to attach overnight. Following the ISO10993-5:2009 standard test, the extraction medium 

from the coatings was prepared. Briefly, the samples (ZR coatings and ZR-cAlg coatings deposited onto 

18 mm x 18 mm glass coverslips) were placed into 35-mm Petri dishes and sterilized under UV light 

for 20 minutes (10 minutes per side). One mL of culture medium was added to each plate, and the wet 

samples were left at 37 °C for 24 hours. The attached HDFa were treated with 0.5 mL of the extraction 

medium the following day and cultured for 24 or 48 hours, while cells incubated in standard conditions 

were used as controls. The MTS test (tetrazolium salt, CellTiter 96® AQueous One Solution Cell 

Proliferation Assay, Promega, USA) was performed to evaluate fibroblast viability. In particular, the 

MTS compound is reduced by the mitochondrial NADPH- or NADH-dependent dehydrogenase 

enzymes of viable cells into purple formazan, soluble in the culture medium; the intensity of the purple 

color developed is directly proportional to the number of viable cells. Following established protocols, 

after 24 or 48 hours of incubation, cells were rinsed with 0.5 mL fresh culture medium 93, 94, 102. A 

volume of 25 µl of the MTS reagent was added to each specimen and incubated at 37°C for 3 hours. 

200 µl from each well was then placed into a 96-well plate, and the absorbance at 490 nm was measured 

with a microplate reader. One-way ANOVA with post-hoc Tukey HSD test was used for statistical 

analysis. Differences were considered statistically significant at a level of p < 0.05. 

 In addition, fibroblasts were grown onto glass coverslips at a density of 5000 cells/cm2 and 

treated as previously described to observe the morphology of cells exposed to ZR coatings and ZR-cAlg 

coatings extracts. After 24 and 48 hours of treatment, cells were rinsed with pre-warmed PBS and fixed 

for 20 minutes in 3.7% v/v paraformaldehyde. The nuclei were stained for 15 minutes in the dark with 

DAPI (2.5 µg/mL in PBS; Sigma-Aldrich, Italy). The samples were then permeabilized for 8 minutes 

with 0.3% v/v Triton X-100 and rinsed twice with PBS before being incubated for 20 minutes in the 

dark with Alexa Fluor® 488 Phalloidin (Thermo Fisher Scientific, Italy), diluted 1:100 in PBS. The 

coverslips were mounted on glass slides with Fluoromont-G medium (Sigma Aldrich, Italy) and 

photographed using a Nikon A1 confocal microscope (equipped with 405 nm and 488 nm lasers). 
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2.3 Results & Discussion 

This chapter section is partially taken from Lenzuni M. et al., "Development of biodegradable zein-

based bilayer coatings for drug-eluting stents" RSC Advances (2021). 

 

2.3.1 Surface topography of zein-based coatings  

 

 Following solvent and oxygen plasma cleaning, the SS surfaces were manually dipped in the 

rutin-loaded zein solution (ZR). The resulting coatings appear homogeneous and smooth both to the 

naked eye and under the SEM, as seen in Figure 2.3a. Small holes in the ZR film, also visible in the 

cross-sectional picture (Figure 2.3b), are most likely the result of the solvent (ethanol) evaporating 

quickly during the drying process. 

 

Figure 2.3. Morphological analysis of flat, ZR-coated samples. SEM micrographs of the rutin-loaded zein coatings, with the 

surface (a) and cross-sectional (b) views of a stainless steel-coated coupon. 

  

 The coated surface of a stainless-steel spring, which resembles the curved structure of a stent, 

also resulted homogeneous and free of fractures (Figure 2.4a). 

 

 

Figure 2.4. Morphological analysis of ZR-coated springs. SEM micrographs of the rutin-loaded zein coatings, with the surface 

(a) and cross-sectional (b) views of a stainless steel-coated spring. 

a) b) 

a) b) 
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 After the samples were purposefully scratched with a lancet, the ZR layer thickness on SS 

coupons was measured with a stylus profilometer. The coating thickness was 6.9 ± 0.8 μm (Figure 2.5), 

which is comparable to the results from the analysis of SEM cross-sectional pictures, which yielded 

values of 7.2 μm and 7.1 μm from Figures 2.3b and 2.4b, respectively. Moreover, the measurements 

with the profilometer allowed the assessment of the arithmetic roughness of the flat, coated surfaces, 

which was 219.2 ± 6.8 nm. 

 
Figure 2.5. Thickness and roughness measurements of a previously scratched ZR-coated sample. The analysis was 

performed with the surface profilometer. 

 

2.3.2 Single layer characterization: Fourier-transform infrared spectroscopy  

 

 Both ATR-FTIR and XPS performed a chemical analysis of the drug-loading layer. Figure 2.6 

depicts the FTIR spectra of zein, rutin, and ZR films, while Table 2.2 presents a list of the relative IR 

absorption peaks and their assignments. Zein spectrum shows four characteristic bands: around 3229 

cm-1 appears the amide A band corresponding to the stretching of the N–H and O–H bonds of the amino 

acids of the protein. At 1641 cm-1, a second band known as amide I can be seen. This band is caused by 

the carbonyl (C=O) stretching of amide groups found in peptide bonds. The amide II band, located at 

1533 cm-1, mainly results from in-plane N-H bending (40% - 60%) and C-N stretching (18% - 40%) 

vibrations in secondary amides. Finally, the range between 1300 and 1242 cm-1 (amide III) corresponds 

to the bending and stretching vibrations of N-H and C-N bonds 102, 156, 165. The symmetrical spectral peak 

at 1641 cm-1 supports the existence of a higher quantity of α-helices in the secondary structure of zein. 

Characteristic stretching bands were identified in the IR spectrum of rutin at 1653, 1452, and between 

1358 and 1287 cm-1, attributable to C=O, C=C, and C-O bonds, respectively. 
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Figure 2.6. FTIR spectra of rutin powder, zein, and rutin-loaded zein (ZR) films. 

 

Table 2.2. Characteristic FTIR absorption bands assigned to vibrational modes of zein, rutin, and rutin-loaded zein functional 

groups. 

FT-IR peaks (cm-1) Vibrational mode 

    

Pure Zein Pure Rutin Rutin-loaded Zein   

3229 3327 3283 Amide A (ν(O-H), ν(N-H)) 

2959-2876 2986-2874 2961-2882 ν(C-H) 

1641 1653 1641 Amide І (ν(C=O)), ν(Ar-C=O) 

1533  1533 Amide IІ  (ν(C-N), δ(N-H)) 

1447 1452 1443 δ(C-H), ν(C=C aromatic ring) 

 1358 1360 δ(C-OH) 

1300-1242 1287 1306-1242 Amide IIІ (δ(N-H), ν(C-N)), ν(C-C-O) 

 1204 1204 ν(C-O-C) 

1165  1171 ν(C-N) 

1117 1132 1124 ν(C-OH), ν(C-O-C) 

 1001 1015 ν(C-O) 

 943 947 ν(C-C) 
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 On the right side of the ZR spectrum, distinct peaks of rutin are visible, particularly those 

indicating the aromatic moiety, the C-O and C-O-C bonds of the flavonoid structure, confirming drug 

incorporation into the protein film. The two types of polymeric films (zein and rutin-loaded zein) had 

comparable spectra patterns, and no unassigned peaks appeared, suggesting that no covalent chemical 

interactions occurred between the drug and the polymer during the coating production process. The 

shifting of the O-H stretching vibration peak of zein from 3229 to 3283 cm-1 following rutin loading 

suggests that FTIR spectra can also reveal information regarding hydrogen bonding among components 

in ZR films. Similar small shifts demonstrate how hydrogen bonding, van der Waals, and electrostatic 

forces contribute to the film structure following solvent evaporation. 

 

2.3.3 Single layer characterization: X-ray photoelectron spectroscopy   

 

 XPS spectroscopy allows the identification of chemical elements in the surface layers of 

selected materials, the determination of their binding state, and the quantification of their atomic 

percentage. The surface composition of zein and ZR films was investigated, and the associated chemical 

percentages are presented in Table 2.3.  

 

Table 2.3. Atomic percentages of the elements obtained via XPS analysis of zein and rutin-loaded zein (ZR) films. 

Atomic Percentage (%) 

 C 1s O 1s N 1s 

Zein 73.3 16.1 10.6 

Rutin-loaded Zein 77.7 14.5 7.8 

 

  

 The integration of rutin into zein films reduces the percentages of nitrogen (N) and oxygen (O) 

atoms on the surface while increasing the amount of carbon (C) atoms. This finding reveals the existence 

of rutin near the sample surface due to its high carbon content and lack of nitrogen atoms (Figure 2.1).  

 

2.3.4 Single layer characterization: mechanical analysis  

 

 A scratch test was performed to determine the force required to remove the ZR coating from 

the steel substrate. An increasing load, from 30 to 1000 mN, was applied to define the critical load 

value, which was 321.8 ± 50.2 mN, as reported in Figure 2.7a. The coating completely delaminates 
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from the metal substrate when this value is reached, as illustrated in Figure 2.7b. Generally speaking, 

the higher the critical load, the more scratch-resistant and sticky the coating is to the substrate.  

 There is currently little information in the literature concerning the adhesive strength of 

polymeric coatings on SS stents. As a comparison, the critical load value obtained from ZR-coated 

samples is much higher than that obtained from a chitosan-silica coating (52.0 mN). However, a more 

negligible difference is evident when comparing PDLLA (550 mN), even though adhesion experiments 

were performed on cobalt-chromium substrates 166, 167. 

 

Figure 2.7. The load-displacement curve and the corresponding optical image of the ZR-coated specimen. A red dotted line 

was drawn in order to compare the curve with the optical image of the scratch path and to determine the exact critical load 

value for each sample. The arrow indicates the drop in the penetration depth signal, which corresponds to the critical load 

at the onset of coating cracking. 

    

2.3.5 Coating degradation and release profiles  

 

 Zein-coated SS coupons were incubated in a warmed PBS buffer for 21 days to monitor the 

degradation behavior. A preliminary analysis of the samples coated with a drug-free polymer layer was 

conducted in order to evaluate the matrix reaction in a water-like environment. Figure 2.8 presents the 

results of the polymer degradation study, which appears biphasic with an initial rapid degradation over 

the first 3-4 days, followed by a slower but steady degradation rate for the next 20 days. The amount of 

zein degraded was determined according to Equation (1). Within 21 days, the samples released 

approximately 55% of the zein polymer mass initially deposited on each coupon, indicating that the 
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protein coating was slowly breaking down by gradual hydrolysis. In fact, it is well known that the 

primary cause of protein degradation in aqueous conditions is the hydrolysis of the peptide bonds in the 

backbones of the macromolecules 91. However, in comparison with other natural proteins, such as soy 

protein and whey protein, zein resistance to aqueous degradation and dissolution is higher due to its 

hydrophobic nature 168.   

 
Figure 2.8. Matrix degradation kinetics from zein-coated SS substrates. 

 

  Zein was then investigated as a possible drug-encapsulating polymer. Figure 2.9 depicts the 

rutin release curve from ZR-coated coupons, calculated as the cumulative percentage of drug released 

as a function of time, using Equation (2). According to the release profile, rutin elution from ZR coatings 

is due to the drug diffusion mechanism, which is facilitated by the swelling of the zein polymeric layer. 

A diffusional-degradation controlled phase follows this burst effect up to the conclusion of the 

experiment as a result of hydrolysis and penetration of water molecules inside the zein matrix. 

Approximately 90.6% of the drug is lost during the first 24 hours, and a total release of 98.7% occurred 

throughout 21 days. The results obtained from the ZR single-layer system are consistent with earlier 

work on drug-eluting zein matrices 165, 169, 170. 
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Figure 2.9. Cumulative rutin release profile from ZR coatings, with an inset highlighting the release kinetics between 0 and 

2 days. 

  

 Zein shows a faster biodegradability when compared to synthetic degradable polymers, such as 

PGA, PLGA, PLLA, and PCL, which exhibit degradation times of more than 3, 6, 24, and 30 months, 

respectively, as anticipated in Chapter 1, Paragraph 1.2.1 171. For example, Pan et al. found a 60% mass 

loss for PLGA-coated films after three months in PBS, while after 18 days of incubation, almost 70% 

of the curcumin loaded was released. 172. The literature frequently reports slow but incomplete releases 

of hydrophobic drugs from synthetic degradable polymers, including curcumin, sirolimus, and 

paclitaxel. Kim et al. investigated the sirolimus release kinetics from PLGA-coated stents, finding that 

there is an early burst release (about 51% after two days) and that 69% of the drug is freed after 28 days 
173. Similarly, Bedair et al. noticed an initial burst release of sirolimus from PDLLA-coated substrates 

and the complete detachment of the coated layer after 28 days of incubation in PBS 166. However, these 

early burst releases in DES are undesirable, especially when potentially hazardous drugs like sirolimus 

are used. Regarding materials with natural origins, studies on blend films using polymers made from 

bacteria, such as poly(3-hydroxyoctanoate) and poly(3-hydroxybutyrate), have shown 97% of aspirin 

released over 25 days. However, this slow and controlled drug-release rate is only seen when the drug 

is present in the polymer crystalline regions 174. In a separate experiment, silk-fibroin films treated with 

ethanol displayed a delayed but incomplete release of sirolimus (41% after one day and 64% after 14 

days) 175. Given that most commercially available devices are covered with synthetic polymers that do 

not entirely degrade after releasing their drugs and result in adverse side effects, these findings are 

encouraging for the successful construction of a safe DES. 
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2.3.6 Morphological changes during degradation assays  

 

 After thoroughly washing the samples in deionized water, the morphological changes that 

occurred during drug release and degradation assays were examined by SEM (Figure 2.10). 

 

 

Figure 2.10. SEM images of zein and ZR coatings after different incubation times. Pitting, craters and cracks are more visible 

with time.  

 

 Although both coatings (drug-free and drug-loaded) seemed intact to the naked eye even after 

many days of exposure to the aqueous environment, SEM pictures indicated a degree of surface 

degradation beginning within the first few hours. Based on these data, it is feasible to conclude that 

polymer hydrolysis occurs equally across the matrix (i.e., surface erosion, as described in Chapter 1, 

Paragraph 1.1.4). Small holes with average sizes of 1.9 and 2.1 μm appear on the surfaces of zein and 

ZR films after a brief period of PBS incubation (Table 2.4). These pores are the earliest evidences of 

coating degradation. The materials exhibit deeper and larger holes during extended testing periods, with 

mean diameters growing and distributions becoming denser. Table 2.4 and Figure 2.11 report the 

analysis of the pore diameters changing over time. Interestingly, pores tend to merge over time to 

generate bigger cavities and surface fractures, as seen in Figure 2.10.  
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Table 2.4. Values of the mean and median diameters of the pores observed in SEM images. 

Zein-coated SS substrate Rutin-loaded Zein-coated SS substrate 

 
Mean pore diameter 

(µm) 

Median pore diameter 

(µm) 

Mean pore diameter 

(µm) 

Median pore diameter 

(µm) 

1 hour 0.866 0.757 0.479 0.429 

6 hours 1.891 1.674 2.130 1.584 

24 hours 3.341 3.012 4.748 2.755 

 

Figure 2.11. Pore size distribution on degrading zein-based coatings. The pore size distribution was quantified from the SEM 

images of zein- (a) and ZR- (b) coated samples using ImageJ software. On average, 200 pores from 3 different SEM 

micrographs were analyzed for each time point.  

    

2.3.7 Surface topography of bilayer coatings  

 

 The ZR/cAlg bilayer coating on SS surfaces was applied in four steps, as shown in Figure 2.12. 

The 3% w/v alginate solution was applied to the dried ZR surface using a similar dip-coating procedure. 

Following that, a 10% w/w calcium chloride solution in 75% v/v EtOH was sprayed over the alginate 

layer with a spray gun system, and subsequently, the substrate was dip-coated in the same solution. As 

already demonstrated in the literature, the presence of calcium ions creates cross-linking bonds between 

the carboxyl groups of guluronic residues from distinct alginate chains, creating an "egg-box" shape 

with calcium ions at the core 176. Cross-linked alginate was added as a sacrificial layer on top of the ZR 

active coating to inhibit alginate matrix dissolution in aqueous environments, protect the bottom layer 

from light and moisture, and fine-tune the drug release rate from the underlying rutin-loaded layer. 
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Figure 2.12. Schematic illustration of the fabrication process and the 3D cross-sectional final rendering of the bilayer coating 

on stainless steel substrates (e.g., stent). 

  

Adding ethanol into the CaCl2 water solution was necessary to avoid the dissolution of the 

underlying alginate layer during spray and dip coating procedures. Moreover, Li et al. claimed that such 

alcoholic solutions could improve the surface homogeneity and mechanical properties of alginate films, 

which can be attributed to the reduced swelling degree during the cross-linking process 176. The surface 

morphologies and cross-sectional microstructures of the resulting ZR/cAlg bilayer coating on the flat 

substrates were examined using SEM, as shown in Figure 2.13. Both images reveal a homogeneous 

layer with minimal structural defects, which is essential to ensure uniform drug delivery and the hemo- 

and cytocompatibility of the resulting device. 
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Figure 2.13. Morphological characterization of the ZR/cAlg bilayer coating on flat substrates. SEM micrographs of ZR/cAlg 

layers, with the surface (a) and cross-sectional (b) views of a stainless steel-coated coupon. The yellow dotted line in (b) 

delimits the separation between the two layers. 

 

 Figure 2.14 depicts SEM micrographs of the coated SS springs after cutting them with shears. 

As a result of this cut, a slight delamination of the coating occurred from the substrate, highlighting the 

bilayer structure along the coated spring. 

 

Figure 2.14. Morphological characterization of the ZR/cAlg bilayer coating on SS springs. SEM micrographs of ZR/cAlg 

coatings, with the surface (a, b) and cross-sectional (c, d) views of coated stainless-steel springs.  
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 In a parallel experiment, other natural polymers were tested as sacrificial layers, such as zein 

and hyaluronic acid, the latter with and without the addition of PEG. SEM cross-sectional pictures, 

shown in Figure 2.15, provide evidence of the development of bilayer films over previously deposited 

ZR-coated substrates using the dip-coating method. As expected, with the addition of a second layer of 

zein (Figure 2.15a), the two films were no longer distinguishable since the solvent of the zein solution 

(80% EtOH) dissolved the underlying coatings to form a single, thick rutin-loaded zein.  

 

 

Figure 2.15. Morphological characterization of bilayers made with different sacrificial layers. Cross-sectional view SEM 

images of bilayer coatings made with zein (a) and hyaluronic acid (b) as polymers for the top layer.  

 

 The thickness of the scratched ZR/cAlg coating was evaluated using a stylus profilometer, and 

measurements of 15.4 ± 0.7 µm were obtained, as shown in Figure 2.16. This result is consistent with 

the mean value of 14.9 µm that was determined using an image analysis software from SEM cross-

sectional micrographs (Figures 2.13(b) and 2.14(d)). Surprisingly, even when the cross-linked alginate 

layer was evenly applied to the samples, the surface roughness of the ZR/cAlg coatings increased (749.9 

± 42.6 nm) if compared to ZR/Alg (559.4 ± 18.1 nm) and ZR (219.2 ± 6.8 nm) coatings. Most likely, 

the presence of Ca2+ in the "egg-box" structure created by the interactions between alginate and calcium 

ions is the leading factor for these results. As reported in the literature, when cross-linking occurs, 

roughness and tiny imperfections on the surface of alginate films tend to appear 177. 
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Figure 2.16. Thickness and roughness measurements of a previously scratched ZR/cAlg-coated sample. The analysis was 

performed with the surface profilometer. 

 

2.3.8 Water contact angle measurements 

 

 Experimental data on the degree of hydrophilicity/hydrophobicity of the coated SS surfaces 

were collected using the sessile drop technique (Figure 2.17). According to the literature, zein has 

almost equal amounts of hydrophobic and hydrophilic amino acids, which promote zein aggregation 

and self-assembly into films, as previously described in Chapter 1, Paragraph 1.2.2.1. With no active 

component inside the polymer, water contact angle measurements yielded a value of 61.03 ± 1.6° for 

the zein-coated coupons, while rutin-loaded zein coatings were more hydrophilic (38.7 ± 2.1°). This is 

owing to the hydrophilic drug being exposed to the coating surface, as already confirmed by XPS data 

(Table 2.3), causing a decrease in the water contact angle. Following the application of the alginate 

layer and calcium chloride on the ZR-coated coupons, the water contact angle decreased from 38.7 ± 

2.1° to 25.9 ± 3.7°. In line with the findings from the literature, the surface turned out to be highly 

hydrophilic, and such property will improve the biocompatibility of the metal substrates by reducing 

the quantity of adsorbed platelets and proteins 163. 
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Figure 2.17. Water contact angle measurements of the control and the coated SS samples.  

 

2.3.9 Bilayer coatings characterization: Fourier-transform infrared spectroscopy 

 

 The chemical composition and potential interactions between the ZR and cross-linked alginate 

layers were investigated using ATR-FTIR spectroscopy. Figure 2.18 shows the spectrum of cross-linked 

alginate, which shows four prominent bands at 3227, 1589, 1406, and 1022 cm-1, which may be 

attributed to O-H vibrations, asymmetric and symmetric C-O-O vibrations, and C-O-C vibrations of 

glycosidic bonds, respectively. The zein amide I band at 1641 cm-1 appears to overlap in the ZR/cAlg 

spectrum with the characteristic alginate band at 1589 cm-1 and is presently detected at 1636 cm-1 as a 

single asymmetric band. Small peaks moving to lower wavenumbers may be caused by ionic 

interactions, such as those between alginate carboxylate groups and calcium ions or protonated zein 

amino groups. The band corresponding to the vibrations of the amide II groups occurs at 1518 cm-1 in 

the bilayer spectrum, demonstrating the presence of protein-polysaccharide interactions. A new band at 

1732 cm−1 is observed, corresponding to the asymmetric stretching of C=O bonds in some protonated 

carboxylic acid groups of alginate, which appears after washing the ZR/cAlg samples with deionized 

water to remove the unbounded ions 170, 176, 177. The IR absorption bands related to the samples under 

investigation are listed in Table 2.5. 
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Figure 2.18. FTIR spectra of cross-linked alginate, ZR, and ZR/cAlg films.   

Table 2.5. Characteristic FTIR absorption bands assigned to vibrational modes of cross-linked alginate, ZR, and ZR/cAlg 

functional groups.  
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ν(C-H)

ν(C-O-C)ν(C=O)
ν(C=O) ν(C-O) δ(C-H)

 FT-IR peaks (cm-1)  Vibrational mode 

    

cAlg ZR ZR/cAlg  

3227 3283 3373 Amide A (ν(O-H), ν(N-H)) 

2924 2961-2882 2955 ν(C-H) 

1589 1641 1636 νas(C-O-O), Amide І (ν(C=O)) 

- 1533 1518 Amide IІ  (ν(C-N), δ(N-H)) 

- 1443 1449 δ(C-H), ν(C=C aromatic ring) 

1406 - 1389 νs(C-O-O) 

- 1360 1366 δ(C-OH) 

1296 1306-1242 1310-1240 Amide IIІ (δ(N-H), ν(C-N)), ν(C-O) 

- 1171 1171 ν(C-N) 

1123 1124 1130 ν(C-OH), ν(C-O-C) 

1078 - 1065 ν(C-O) pyranose ring 

1022 1015 1013 ν(C-O-C), v(C-C) 

947 947 951 ν(C-O) 

885 - 891-839 δ(C-H) mannuronic residues 
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2.3.10 Bilayer coatings characterization: X-ray photoelectron spectroscopy   

 

 XPS analysis was used to describe the chemical composition of the bilayer samples at a depth 

of 10 nm below their surfaces. The results are shown in Table 2.6.  

 

Table 2.6. Atomic percentages of the elements obtained via XPS analysis of ZR/Alg and ZR/cAlg coatings. 

Atomic Percentage (%) 

 C 1s O 1s N 1s Na 1s Ca 2p Cl 2p 

ZR/Alg 71.4 23.8 2.8 1.4 0.6 - 

ZR/cAlg 53.4 16.3 2.5 - 9.5 18.3 

 

 

 Considering the use of sodium alginate in the fabrication of the sacrificial layer, the main 

elements found on the surface of the ZR/Alg samples were carbon and oxygen, with a percentage of 

71.4 and 23.8%, respectively, with a small amount of sodium (Na) and calcium (Ca) ions (1.4% and 

0.6%). The high amount of calcium in the ZR/cAlg samples demonstrates that the cross-linking 

procedure was successful. Moreover, the ratio between calcium and chlorine is around 1:2 (Ca2+: 2Cl-

), which is consistent with the CaCl2 chemical formula. 

 

2.3.11 Bilayer coatings characterization: mechanical analysis  

  

 A scratch test was used to quantify the adhesion stability of the ZR/cAlg bilayer coating on 

stainless-steel substrates. The critical load was calculated using the scratch profile of the load-

displacement graph, as shown in Figure 2.19a, and confirmed using the matching optical picture of the 

scratch track, as shown in Figure 2.19b. The average critical load value was 768.3 mN, indicating strong 

adhesion between the ZR/cAlg coating and the SS substrate, which is required for the construction of a 

successful DES. 
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Figure 2.19. The load-displacement curve and the corresponding optical image of a ZR-cAlg coated specimen. A red dotted 

line was drawn in order to compare the curve with the optical image of the scratch paths and to determine the exact critical 

load value for each sample. The arrow indicates the drop in the penetration depth signal, which corresponds to the critical 

load at the onset of coating cracking. 

 

2.3.12 Release profiles from the bilayer coatings  

 

 Figure 2.20 reports the cumulative release percentages of rutin from single-layer ZR, bilayer 

ZR/sprayAlg, and ZR/cAlg coatings on SS coupons during a 21-day period. The drug release rate from 

zein films was finely regulated and sustained by placing the sacrificial layer on top and hardening the 

upper alginate matrix with an appropriate quantity of CaCl2. Both samples coated with alginate and 

cross-linked in one or two stages showed a slower rutin release profile. Furthermore, the drug elution 

from these bilayer samples exhibits a reduced initial burst release: the ZR/cAlg and ZR/sprayAlg 

samples showed 66.1 ± 3.2% and 73.1 ± 2.0% of rutin released, respectively, after 24 hours of 

incubation in warmed PBS. Both values are indeed lower than those obtained from the ZR samples 

(90.6 ± 3.2%, Figure 2.9). In conclusion, the second cross-linking procedure not only helped to 

uniformly cover the ZR underlying film with a fully cross-linked alginate layer but also to fine-tune the 

rutin burst release. 
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Figure 2.20. Rutin release behaviors from single and bilayer coatings presenting alginate as the sacrificial layer. The 

cumulative release profile of rutin from ZR (black line), ZR/sprayAlg (red line), and ZR/cAlg (blue line) coatings, with an inset 

highlighting the release kinetics between 0 and 2 days. A significance of p < 0.05 (* for ZR/sprayAlg or ZR/cAlg and ZR and 

§ for ZR/sprayAlg and ZR/cAlg) was considered. 

 

 In the preliminary phase of this study, other commonly used naturally-derived biomaterials, 

including zein and hyaluronic acid, were evaluated as polymers for the construction of the top sacrificial 

layer. The bilayer drug release kinetics were determined at regular intervals for a period of 10 days. 

Among all, zein as the sacrificial layer allowed a more controlled release of the drug, even if, as seen 

in Figure 2.21, the bilayer structure was completely lost. Compared to hyaluronic acid, adding cross-

linked alginate as a sacrificial layer allowed a slower drug release rate from the underneath ZR layer 

coating, and incorporating PEG in the HA solution did not help the retention of the drug. On the 

contrary, as already suggested by the literature, the presence of PEG increased both the ability to absorb 

water and the rate of hydrolytic degradation of hyaluronic acid matrices 178. Ultimately, cross-linked 

alginate was chosen among the investigated materials due to its hydrophilicity, firm adherence to the 

protein film underneath, tunable drug release, and degradability by crosslinking procedures. 
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Figure 2.21. The cumulative release profiles of rutin from different bilayer coatings. 

 

 Regarding drug release kinetics, the developed ZR/cAlg coating seems advantageous compared 

to other bilayers made with degradable synthetic coatings, even if few data are available to date in the 

literature. Huang et al., for example, employed PLGA to manufacture both the inner and outer layers 

of a DES coating and found a burst release of triflusal (a hydrophilic drug) of 60% on the first day, 

reaching almost 100% of release by day 5 179. Thakkar and colleagues reported sirolimus release over 

48 days from a complex blend of PLLA, PLGA, and PVP, with an extra PVP top layer, with nearly all 

of the drug lost within five days 180. The ZR/cAlg bilayer exhibits a more gradual drug-release rate also 

when compared with other naturally-derived bilayer coatings. Chen et al., for example, created multi-

layers of cross-linked collagen and found that 90% of sirolimus was released within four days 181.  

  

2.3.13 Morphological changes during degradation assays  

 

 Surface morphologies of the degraded ZR/cAlg-coated samples at different time points were 

captured by SEM and are reported in Figure 2.22. Since the alginate matrix is a hydrophilic material, 

even when cross-linked both bulk and surface erosion tend to occur quickly. During the first 24 hours, 

little portions of the cross-linked alginate layer begin to dissolve from the coating, and at the same time, 

the appearance of tiny holes confirms that the underlying ZR layer is starting to degrade. Nevertheless, 

the presence of the sacrificial layer delays the formation of these pores, compared to what was observed 

for zein and ZR single layers in Figure 2.10. 
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Figure 2.22. SEM images of ZR/cAlg coatings after different incubation times.  

 

2.3.14 Antioxidant assays 

 

 As described in paragraphs 2.3.5 and 2.3.13, rutin as a strong antioxidant agent was found in 

high concentrations in the aqueous extracts from ZR and ZR/cAlg coatings. Figures 2.23a and 2.23b 

illustrate the measured free radical scavenging activities (RSA) of the extraction media from the 

analyzed coatings at specified time points for up to 144 hours against DPPH• (a) and ABTS•+ (b) 

radicals.  

 

Figure 2.23. Antioxidant activity of rutin in extraction media. Radical scavenging activity (RSA) was calculated against 

DPPH• (a) and ABTS•+ (b) free radicals using PBS extracts from ZR coatings (black lines) and ZR/cAlg coatings (red lines). 

Insets highlight the RSA between 0 and 24 hours. A significance of p < 0.05 (*) was considered. 
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 Rutin extracts, obtained at different time points, were more efficient in scavenging DPPH• than 

ABTS•+ radicals. After 144 hours, the RSA values against DPPH• and ABTS•+ free radicals were 74.3 

± 3.5% and 65.0 ± 3.3% for ZR extracts,  and 67.0 ± 4.9% and 57.7 ± 2.1% for ZR/cAlg extracts. The 

chemical characteristics and complexity of the released materials might result in varied bioactivity 

findings depending on the technique used, which could explain the variations between the two tests. 

Both assays are based on the hydrogen-donating ability of the radicals and involve the reduction of a 

colored molecule; however, the DPPH• assay is conventionally conducted in ethanol or methanol, while 

the ABTS•+ assay is carried out in aqueous media. Factors such as radical stereo-selectivity and 

flavonoid solubility have also been observed to influence the capacity of antioxidant compounds to 

quench various radicals in different testing methods 182. For comparison purposes, Figures 2.24a and 

2.24f illustrate the scavenging activity of pure rutin powder dissolved in PBS against DPPH• and 

ABTS•+ free radicals as a function of rutin concentration, and comparable patterns can be seen. 

 

Figure 2.24. Antioxidant activity of rutin in PBS. The graphs (a, f) were obtained with rutin-containing solutions at different 

concentrations (from 33.8 to 118.5 µg/mL). The insets in (a) and (f) show the color change of the DDPH and ABTS scavenging 

solutions at room temperature in the presence of 0 µg/mL (b, g), 33.8 µg/mL (c, h), 45 µg/mL (d, i) and 118.5 µg/mL (e, j) of 

rutin.  

 

 It is clear that both RSAs increase with increasing rutin content, as predicted, following a 

pattern called "dose-dependent antioxidant activity". These data confirmed that rutin maintains its 

biological activity both during the manufacturing process and the following release test in aqueous 

media for an extended period of time.  
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2.3.15 In vitro studies with human umbilical vein endothelial cells  

 

 As mentioned in Chapter 1, endothelial cells and fibroblasts are both involved in the healing 

process and the maintenance of the homeostasis of the cardiovascular system physiology. Based on the 

potential application of our coatings in drug-eluting stent production, it is essential to demonstrate their 

compatibility on both cell lines. As reported in Figure 2.25, the plant-based coatings showed good 

biocompatibility on HUVEC compared to the standard control. Cells grew up to 86.2% and 100.5% 

after 24 and 48 hours on ZR-coated substrates, respectively, and up to 113.4% and 92.7% after 24 and 

48 hours on ZR/cAlg-coated substrates, as compared to 100% growth on the control. Moreover, no 

statistical differences between the control and the cells grown on the ZR or ZR/cAlg layers were 

detected. 

 
Figure 2.25. Biocompatibility testing with HUVEC. HUVEC viability was evaluated via alamarBlueTM assay for cells grown 

onto ZR, ZR/cAlg coated glass coverslips and under standard conditions (control, uncoated glass coverslips) for 24 and 48 

hours; data are presented as mean values ± SD. A significance of p < 0.05 (*) was considered. 

 

 Figure 2.26 reports confocal microscopy images of HUVEC adherence on ZR and ZR/cAlg 

coatings after 48 hours of culture. Both samples exhibit a strong zein autofluorescence signal that can 

be seen in the blue channel, somewhat obscuring the cell nuclei staining. Both samples show strong 

cellular adherence, demonstrating that the coated substrates supported HUVEC attachment without 

hampering their proliferative ability. In particular, cells grown on ZR layers were more polygonal with 

Control ZR ZR/cAlg 
0

20

40

60

80

100

120

140

160

C
e

ll
 v

ia
b

il
it

y
 (

%
)

 24h  48h

*____________

_
_

_
_



 

65 

 

a cobblestone-shaped morphology, whereas cells grown on ZR/cAlg coated glasses grew elongated with 

a spindle-shaped morphology. 

 

Figure 2.26. Confocal images of HUVEC exposed to ZR and ZR/cAlg coatings. Cells were grown onto a control glass slide 

or glass coverslips coated with ZR and ZR/cAlg layers for 48 hours before the staining and imaging analysis (scale bar 50 

μm). Nuclei are marked with Hoechst 33582 (blue) and cytoskeletons with Phalloidin FITC (green). 

  

 The morphological response and variations of cells cultured on ZR and ZR/cAlg were partly 

induced by the surface alterations caused by the predictable coating degradation, resulting in an unstable 

growth surface. This finding is corroborated by PSB degradation investigations, detailed in paragraph 

2.3.5 and shown in Figures 2.10 and 2.22. Taking into account both viability data and CLSM analysis, 

ZR and ZR/cAlg layers were shown to be excellent biocompatible materials with no discernible 

cytotoxic impact on HUVEC. 

  

2.3.16 In vitro studies with human dermal fibroblasts  

 

 Regarding the MTS experiment on HDFa, cell viability values of 102.5% and 97.5% were 

recorded after 24 hours with ZR- and ZR/cAlg-based media, respectively; after 48 hours the cell 

viability was 103.8% and 103.6% with ZR and ZR/cAlg coatings extracts, respectively (Figure 2.27). 

No significant differences in the percentage of viability of the treated cells were observed compared to 

the control.  

Control ZR-coated substrate ZR/cAlg-coated substrate 
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Figure 2.27. Biocompatibility testing with HDFa. HDFa viability was evaluated via MTS assay for samples treated with ZR 

and ZR/cAlg cell culture medium extracts and under standard conditions (control, normal growth medium) for 24 and 48 

hours; data are presented as mean values ± SD. 

  

 The morphology and cytoskeletal arrangements of HDFa cells treated with different coatings 

extracts were detected by fluorescence staining after 24 and 48 hours and are presented in Figure 2.28. 

After the treatments, the HDFa cells uniformly spread onto the glass substrates, indicating a healthy 

state. 
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Figure 2.28. Confocal images of fibroblasts exposed to ZR and ZR/cAlg coatings extracts. Cell nuclei marked in blue 

(DAPI) and cell cytoskeletons highlighted in green (Alexa Fluor® 488 Phalloidin) after 24 and 48 hours of treatment (scale 

bar 100 µm).  

  

2.4 Conclusions 

This chapter section is partially taken from Lenzuni M. et al., "Development of biodegradable zein-

based bilayer coatings for drug-eluting stents" RSC Advances (2021). 

  

 In this first PhD project, a novel, biodegradable bilayer coating for drug-eluting stents was 

proposed. Zein, particularly in the form of thin films, was explored for its potential as a carrier matrix 

for drug delivery applications, owing to its slow biodegradability. The drug-eluting capabilities of our 

plant-based polymeric multifunctional coatings were evaluated by studying the release of rutin (i.e., the 

active component) from single-layer and bilayer systems. Cross-linked alginate showed to be the most 

promising sacrificial covering layer among the examined natural polymers due to its strong adherence 

to the underlying protein film and hydrophilicity. Moreover, when cross-linked, alginate succeeded in 

delaying the delivery profile of the entrapped antioxidant drug and ensured the biocompatibility of the 

coated metal substrate. Both zein and alginate are widely available natural polymers easily extracted 

from vegetable waste through green and sustainable approaches. ZR/cAlg layers were successfully 

fabricated and uniformly coated onto SS substrates by fast, green, cost-effective dip and spray coating 

methods. The applicability of these coatings for stents was determined, after looking at their physico-

chemical characteristics, by assessing the adhesion and growth of endothelial cells and fibroblasts. 
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Studies on biocompatibility validated the safety of the developed bilayered plant-based coatings as 

interfacial biomaterials capable of forming a pro-healing stent surface that promotes the 

endothelialization of the device.  

 In conclusion, the developed plant-based bilayer meets the major parameters for an effective 

drug-eluting coating for DES, exhibiting strong physico-chemical qualities, drug antioxidant stability, 

excellent biocompatibility with vascular cells, and the capacity to precisely tune drug elution. These 

findings pave the way for developing a new generation of bio-based multi-layer DES and dual-drug 

eluting stents in the near future, with the goal of enhancing the cyto- and hemocompatibility of the 

coating materials while accurately adjusting their drug release kinetics. 
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Chapter 3 - Dynamic behavior and 

hemocompatibility of zein-based coatings for 

drug-eluting stents: a microfluidic 

investigation   

 

3.1 Introduction 

This chapter section is partially taken from Lenzuni M. et al., "Dynamic investigation of zein-based 

degradable and hemocompatible coatings for drug-eluting stents: a microfluidic approach" RSC Lab 

on a Chip (2023). 

 

 As previously mentioned in Chapter 1 and Chapter 2, drug-eluting stents (DES) have been 

shown to be extremely successful in avoiding restenosis following stenting operations, and, in the last 

decades, they are largely regarded as one of the most promising treatment alternatives 152. The 

therapeutic effects of DES are directly dependent on their drug release kinetics, which are connected to 

the matrix characteristics and degradation rates, according to preclinical animal research and clinical 

trials 145. As a result, estimating these parameters is crucial for the evaluation of newly developed DES 

coating materials. Under static settings, stents or stent replacements are typically immersed in small 

containers containing a buffer solution, which is regularly replenished with a fresh release medium 183. 

The disadvantages of this standard approach are:  

• it does not take into consideration the fluid dynamic environment of DES in the vascular 

system;  

• the saturation of the buffer with the released molecules lowers the concentration gradient 

between the matrix components and the surrounding solution, giving inaccurate release and 

degradation results 183; 

• the composition of the elution medium affects the delivery profiles as both drugs and polymers 

could be susceptible to changes in the chemical properties of the solution 184. Many 

conventional release studies for poorly water-soluble drugs may not accurately reflect in vivo 

pharmacokinetics and may produce incorrect results due to the inclusion of solubilizers and 

surfactants, such as Tween 20 and Pluronic 185.  
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 As widely discussed in Chapter 1, Paragraph 1.1.6, blood compatibility is another major 

parameter to evaluate when assessing DES coating performance. During the first clinical experiences, 

there was a significant rate up to 45% of acute stent thrombosis (within a few days of stent deployment) 
31. Even if aggressive antithrombotic regimes combining antiplatelet agents and heparin (or warfarin) 

were used, meaningful reductions in stent thrombosis were offset by a high incidence of bleeding 186. 

The injury of the quiescent endothelium and the inert thrombogenicity of the stent surface are regarded 

as critical factors. Rapid adsorption of plasma proteins to the material surface occurs within minutes 

after contact with the blood, after which both extrinsic and intrinsic coagulation pathways can be 

activated (the intrinsic pathway by factors in the blood, while the extrinsic one by the tissue factor 

released from endothelial cells) 187. For the successful development of implantable medical devices, 

surfaces with high antithrombotic properties, such as low platelet activation potential, are essential 188. 

Similar to the release assays, the analysis of how stent coatings composition influences the behavior of 

blood components has been largely limited to static studies that are simple to use and quick. However, 

these studies do not account for the activation of platelets in flow conditions 189. On the other hand, in 

vivo studies are expensive, time-consuming, and ethically questionable. Additionally, because of their 

complexity, they might not give thorough explanations of how the coated device interacts with the blood 

components. 

 Microfluidic technology has recently attracted much attention and ushered in a new era of 

cutting-edge research to simplify challenging in vivo conditions and gather information to supplement 

animal studies. Lab-on-a-chip platforms provide the desirable option for performing in vitro tests in a 

dynamic setting, simulating the physiological conditions more accurately than experiments in 

conventional static cell culture dishes. Valuable features include small sample volumes and adaptable 

flow conditions 128. More information on this new technology can be found in Chapter 1, Paragraph 1.3. 

As anticipated, microfluidic chambers for biomedical applications have been so far primarily made of 

soft polymeric materials, particularly PDMS, which are not entirely inert (they may absorb small 

molecules such as hydrophobic drugs, causing results to be misleading), have poor mechanical 

resistance and durability (they tend to dry out or tear after a short period of time), and are difficult to 

reuse or recycle 190. To overcome these limitations, advancements in microfabrication tools (e.g., 

femtosecond laser micromachining), in combination with novel inert substrate materials (e.g., fused 

silica), have provided the ability to obtain unique 3D microfluidic systems, which result particularly 

suitable for chemical and biological research applications. 

 In this second PhD project, the design, manufacture, and validation of innovative fused silica-

based microfluidic systems were carried out to examine the hemocompatibility and dynamic behavior 

of drug-eluting materials for stent applications. As reported in Chapter 2, innovative zein-based DES 

coatings were fabricated using green solvent, biocompatible naturally-derived materials and active 

compounds. More precisely, rutin, a plant-derived flavonoid, was loaded as the antioxidant and anti-

inflammatory component, while zein, a protein extracted from maize, was positively appraised as a 
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slow-degrading carrier matrix. Preliminary results demonstrated excellent biocompatibility and overall 

potential for rutin-loaded zein (ZR) material as DES coating. In order to further investigate such 

sustainable plant-based coating under dynamic flow conditions, novel microfluidic chips were 

developed, comprising channels with vessel-inspired geometries in terms of shape and dimensions. In 

particular, round and square cross-section channels were fabricated individually to simulate a stented 

blood vessel in three dimensions under healthy and obstructed situations, respectively. Each channel 

was fully coated with a rutin-loaded zein layer in order to investigate the effect of different fluids and 

geometries on both drug release and matrix degradation kinetics. Lastly, the developed microfluidic 

systems were employed to assess the in vitro hemocompatibility properties of the proposed zein-based 

materials, with both the coatings and the blood cells exposed to physiologically-relevant conditions.  

 

 

3.2 Materials & Methods 

This chapter section is partially taken from Lenzuni M. et al., "Dynamic investigation of zein-based 

degradable and hemocompatible coatings for drug-eluting stents: a microfluidic approach" RSC Lab 

on a Chip (2023). 

 

3.2.1 Materials 

 

 Zein powder, rutin hydrate, urea, glycerol, sodium chloride, sodium bicarbonate, potassium 

chloride, sodium phosphate dibasic, magnesium chloride, calcium chloride, sodium sulphate, heparin 

sodium salt, Trizma® hydrochloride, hydrochloric acid, and 5-µm-diameter polystyrene (PS) beads were 

provided by Sigma-Aldrich (St. Louis, USA) and used as received without further purification. 

Waterborne polyurethane, grade ICO-THANE 10, was provided by I-Coats NV (Berchem, Belgium). 

Poly(lactic acid) 6060D was purchased from Nature Works LLC (Minnetonka, USA). UV photocurable 

optical adhesive NOA63 was purchased from Norland Products (Cranbury, USA). Commercial 

stainless steel flat sheets (316L SS, 500 mm x 300 mm x 0.5 mm) were purchased from RS Component 

(Milan, Italy). Dulbecco's Phosphate Buffered Saline (PBS), dimethyl sulfoxide (DMSO), 

dichloromethane (DCM), ethyl acetate, and ethanol (≥ 99.8%) were purchased from Sigma-Aldrich (St. 

Louis, USA), while deionized water (ddH2O) was supplied by a Milli-Q Integral purification system 

(Millipore, Bedford, USA). 
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3.2.2 Design and production of microfluidic devices 

  

 Femtosecond laser-assisted micromachining in conjunction with wet etching (known as FLICE, 

Femtosecond Laser Irradiation followed by Chemical Etching) was used to fabricate the microfluidic 

chips due to its capacity to quickly create 3D architectures without the need for masks or a clean room, 

as anticipated in Chapter 1, Paragraph 1.3.1. A square cross-section channel represents the scenario 

where atherosclerotic plaques significantly occlude a vessel, whereas a circular cross-section channel 

represents a partly occluded stented artery. The choice of a square geometry was supported by the 

evidence obtained from histological images available in the literature of atherosclerotic plaques and 

(partially) obstructed vessels 191, 192. The peculiar manufacturing process is composed of two main steps. 

A fused silica substrate was initially exposed to an ultrashort-pulsed laser beam that follows the 3D-

designed geometry. The physico-chemical characteristics of the material were only affected in the 

region limited to the beam spot volume. Wet etching, the next stage, included an ultrasonic bath and a 

chemical solution (20% aqueous hydrofluoric acid (HF)) to allow the material to be selectively removed 

to produce the desired 3D shape (Figure 3.1). 

   

  

 For each geometry (round and square), two open chip portions were produced (Figure 3.2 a-d) 

instead of a single buried one. As a result, the two parts could be individually handled and evaluated 

before being stacked and aligned so that the same device may be used several times. The two chambers 

were sealed using a transparent optical glue. The dimensions of the constructed microfluidic chips were 

9.8 mm (width) x 13.9 mm (length) x 2.8 mm (height). The geometry is supplemented by two access 

ports to integrate tubes (inlet and outlet) connecting the chips to the outside environment. The entire 

longitudinal distance between the inlet and outlet holes of the device was 10 mm (Figure 3.2e). The 

+ 

Figure 3.1. Illustration of the two steps of the FLICE fabrication method of fused silica-based microfluidic devices. Ultra-

short pulse laser induces the nanogratings (or nanocracks) formation which are useful for the chemical etching process.
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round channel had a gap in the center with a circular aperture (Ø = 1.8 mm), whereas the square channel 

had an opening of 1.8 x 1.8 mm2 (Figure 3.2f). 

 

  

 

3.2.3 Fabrication and characterization of zein-based coated-channels 

 

 The rutin-loaded zein (ZR) solution was prepared as described in Chapter 2, Paragraph 2.2.2. 

By changing the spray time, ZR coatings with different thickness were obtained on the fused silica-

based channels, as shown in Figure 3.3. Following this preliminary examination, the ZR solution was 

sprayed for 6 seconds at a distance of 30 cm over each pair of open sections (lower and upper sides) of 

the microfluidic channels using an airbrush spray coating equipment (0.55 mm nozzle diameter, model 

VL-SET, Paasche Airbrush Company, Chicago, USA) in order to achieve a comparable thickness with 

the first project (Chapter 2). The coated chambers were then left to dry at room temperature overnight. 

Subtracting the weight of the empty chip from the weight of the coated chip yielded the weight of the 

a) b) 

c) d) 

e) 

f) 

Figure 3.2. Schematic representation of the microfluidic chips. 3D structures of round (a, b) and square (c, d) cross-section 

channels, and illustration of the chips along the z-x (e) and z-y (f) planes are schematically showed.  
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sprayed coating. All weighings were performed with an analytical balance (ABT 120–5DM, Kern) with 

a level of accuracy of 0.01 mg. The quantity of zein and/or rutin deposited on each chip was calculated 

by comparing this result to the weight of 1 mL of dried ZR solution. 

 
Figure 3.3. Thickness of ZR layers measured at different times of spray. 

   

 SEM was used to examine the surface morphologies and thicknesses of the polymer coatings 

using a SEM JSM-6490LA microscope (JEOL Inc., Peabody, USA) at 10 kV accelerating voltage. A 

lancet was used to scratch the coated channels, and the results of thickness values were validated using 

a surface profilometer (Ambios XP-2, Ambiostech, Santa Cruz, USA) equipped with a diamond-tipped 

stylus (radius = 2 μm), which acted across the surfaces under a constant load of 0.5 mN with a speed of 

0.5 mm/s. The average roughness was determined using similar parameters. To investigate the surface 

wettability, the ZR solution was sprayed over the flat portion of the chips using the same operational 

conditions, and water contact angle measurements were taken using a contact angle goniometer 

(Dataphysics OCA 20, Filderstadt, Germany). In brief, 5 µL droplets of ddH2O were deposited on ten 

distinct spots with a microsyringe using a sessile drop technique, and the obtained pictures were 

elaborated using the SCA20 Software (Data Physics Instruments GmbH, Filderstadt, Germany). The 

angle between the drop's baseline and the tangent at the drop boundary was calculated, and the contact 

angle measurements were computed by taking the arithmetic average of the left and right contact angles 

from each droplet. 
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3.2.4 Simulated blood fluids (SBFs) 

  

 As previously anticipated, the selection of appropriate release media is critical when studying 

the behavior of biomedical coating materials. Two types of simulated blood solutions were produced 

for this study:  

• In order to fabricate a fluid that could match the dynamic viscosity of human blood (μ ~ 4 

mPa*s), solutions with various mixing ratios of water, glycerol, and urea (SBF_wgu) were 

produced, following previous protocols 193. The rheological parameters of these mixtures, 

stirred at room temperature for 12 hours, were measured using a Haakee Mars 40 Rheometer 

(Thermo-Scientific, Karlsruhe, Germany) equipped with a conical probe C60 1°/Ti. While 

maintaining a constant temperature of 25 °C, a shear rate sweep (shear rate ≈ 0.1 - 1000 s-1) 

was used to determine the dynamic viscosity values.  

• SBF_ws indicates an aqueous mixture to which various salts were added to fabricate a fluid 

whose ion concentrations were nearly equal to those of the human blood plasma (Table 3.1). 

SBF_ws was prepared according to the protocol described in the literature 194. The reagents 

were dissolved one at a time in deionized water using a magnetic stir bar at 37 °C. The pH of 

the resultant solution was adjusted to 7.4 using a digital pH meter (HANNA HI2002, Hanna 

Instruments, Rhode Island, USA). 

 

 

Table 3.1. Comparison between ion concentrations of SBF_ws and human blood plasma. 

Ion Na+ K+ Mg2+ Ca2+ HPO4
2- HCO3

- Cl- SO4
2- Buffer agent 

Human Blood Plasma (mM) 142 5 1.5 2.5 1 27 103 0.5 - 

SBF_ws (mM) 142 5 1.5 2.5 1 27 125 0.5 Tris 

 

 

3.2.5 Microfluidic platform assembly  

 

 Once the ZR coating was dried, the top and bottom chambers were meticulously aligned, and 

UV-curable optical adhesive NOA63 was placed along the borders of the chambers before sealing each 

portion to provide a leak-free connection between the two coated chambers of each microfluidic chip. 

The sealed microfluidic chips were glued to a standard glass microscope slide (1 x 26 x 76 mm) using 

a small quantity of adhesive to boost the stability of the whole system. Perfluoroalkoxy (PFA) tubes 

measuring 1/16" OD x 0.02" ID were used to connect the microfluidic platforms, with the inlet and 
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outlet ports of each chip sealed using the NOA63 glue. A UVGL 58 lamp (UVP, Upland, USA) emitting 

at 365 nm was employed to polymerize the bonding agent. A LiveFlow peristaltic pump (IVTech, 

Massarosa, Italy) connected to the inlet tube via Luer adapters perfused the devices with fresh medium 

being supplied from the SBF-filled reservoir to the pump tubes. All studies were carried out at 37 °C 

with a constant flow rate of 500 µL/min to imitate the in vivo conditions of a cardiovascular stented 

artery. The physiological temperature was maintained by heating the SBF-filled reservoir on a hot plate. 

After passing through the microfluidic channel, the eluted medium was dropped into collection tubes 

and stored prior to analysis.  

 

3.2.6 Three-Dimensional computational fluid dynamics  

 

 Fluid dynamics investigations based on computational models created in COMSOL 

Multiphysics 5.3 (Burlington, USA) were undertaken to study the flow environment of the microfluidic 

channels in the constructed devices. The fluid properties and boundary conditions of the numerical 

model were defined to mirror the experimental setting. A dynamic mesh volume length was employed 

to reach a compromise between computational cost and spatial resolution accuracy: less densely packed 

in the secondary parts (e.g., pipes, inlets) and denser in the core area of highest importance. The 

complete fluid dynamic field was obtained by solving the Navier-Stokes and laminar flow equations. 

Considering that the two proposed SBFs show similar densities values (1.03 g/cm3 for SBF_ws and 

1.15 g/cm3 for SBF_wgu), the longitudinal and transversal velocity distributions were determined by 

imposing the SBF_wgu flow inside the channels. 

 

3.2.7 Matrix degradation studies  

 

 In order to study the degradation rate of the zein-based polymeric coatings applied onto the 

microfluidic channels, each SBF was perfused into the round and square devices as the elution medium. 

The media were withdrawn for analysis at predetermined time intervals (ranging from 15 minutes to 6 

hours), and fresh SBF was continuously replenished into the heated reservoir. Absorbance at 270 nm 

(zein λmax) was determined for each sample with a Cary 6000i UV-Vis-NIR spectrophotometer (Varian, 

Palo Alto, USA). The amount of zein released at each time point was calculated by an appropriate 

calibration curve, and the results were expressed as the percent of cumulative zein degraded over time, 

according to Equation (1) already described in Chapter 2, Paragraph 2.2.9.  

 To assess the presence of morphological changes on the surface of the coatings during the 

dynamic flow experiments, at specific time points the microfluidic chips were quickly rinsed with 

deionized water to remove any residual salts crystal deposits, were opened by removing the NOA63 

adhesive with a gentle swabbing of DCM and allowed to air-dry. SEM detected morphological 
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characteristics of the degraded coatings (surface and cross-section) as previously described. Differences 

in the degradation kinetics and morphology between microfluidic chips of different cross-section 

geometry resulting from the flow of different fluids were studied and compared. 

 

3.2.8 Drug release kinetics and mathematical models  

 

 The samples collected as described in the previous paragraph were tested to determine the 

concentration of the active compound (rutin) released in the elution medium at each time point. The 

absorbance at 362 nm (rutin λmax) was measured, and the data were represented as the cumulative 

percent of rutin released over time using an appropriate calibration curve and Equation (2), as indicated 

in Chapter 2, Paragraph 2.2.9. The effects of the channel geometry and the elution medium on drug 

release profiles were investigated and compared. Furthermore, the resulting drug release kinetics were 

studied using mathematical models. In particular, several commonly used power-law equations were 

employed to fit rutin release data and helped to explain the underlying transport mechanisms. The 

highest value of the correlation coefficient (r2) was used as the criterion for selecting the best model for 

data fitting. Between the main drug release kinetic models, zero-order, first-order, Higuchi, Hixson-

Crowell, and Korsmeyer-Peppas models were applied and compared:   

• zero-order model: Qt = K · t, where Qt is the amount of rutin released at the time t, and K is the 

zero-order release constant. 

• first-order model: ln (1-Qt) = -K · t, where Qt is the amount of rutin released at the time t and K 

is the first-order release constant. 

• Higuchi model: Qt = K · t1/2, where Qt is the amount of rutin released at the time t, and K is the 

Higuchi dissolution constant. 

• Hixson-Crowell model: 1-(1-Qt) 1/3
 = -K · t, where Qt is the amount of rutin released at the 

time t, and K is the Hixson-Crowell constant. 

• Korsmeyer-Peppas model:  Qt  = K · tn, where Qt is the amount of rutin released at the time t, K 

is the release rate constant, and n is the release exponent 195. 

  

3.2.9 Polystyrene beads-loaded SBFs  

 

 Polystyrene (PS) beads with a diameter of 5 µm were used as a simple cell model, as previously 

described in the literature, to perform initial proof-of-concept experiments 196. The PS beads were added 

to the previously prepared SBFs at a final concentration of 5 x 106 beads/mL to simulate the behavior 

of red blood cells (RBCs). Using a Zetasizer Nanoseries (Malvern Instruments, Worcestershire, United 

Kingdom), zeta potential recordings of diluted PS beads were obtained using dynamic light scattering 

(DLS). Freshly produced SBFs filled with PS beads were examined with an optical microscope (Axio 
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Scope 2, Zeiss, Oberkochen, Germany) to ensure a good dispersion of the particles, which were 

subsequently flown through the microfluidic devices for 30 minutes under identical conditions outlined 

in paragraph 3.2.5. After the dynamic experiments, the chips were opened by removing the NOA63 

glue, a 15 nm gold layer was sputter coated on top, and SEM examination was immediately carried out 

to look into any potential bead adherence and the resulting ZR coatings morphology. 

 

3.2.10 Hemocompatibility tests 

 

 Hemocompatibility tests were performed to determine the blood compatibility of the proposed 

zein-based coatings for stent application. As reported in Chapter 1, Paragraph 1.1.6, platelet attachment 

is the most critical phase during blood coagulation and thrombus formation on artificial surfaces. Since 

the presence of RBCs is known to have a significant influence on platelet adhesion, whole blood 

adhesion experiments involving all blood cell components were performed 197. Specifically, 12 male 

C57BL/6 mice (Charles River, Calco, Italy) were used to perform and compare static and dynamic 

studies of blood cell behavior onto several coated surfaces. All procedures were carried out in 

conformity with the European Communities Council's Ethical Guidelines (Directive 2010/63/EU of 22 

September 2010) and were approved by the Italian Ministry of Health. According to the "3Rs 

philosophy," every attempt was made to reduce animal suffering and to utilize the lowest number of 

animals necessary to provide accurate findings. The mice were kept in groups in ventilated cages with 

free access to food and water in a 12-hour light/dark cycle (lights turned on at 8:00 a.m.) at a constant 

temperature (21 ± 1 °C) and relative humidity (55 ± 10%). Whole blood was taken from mice in 

vacutainer tubes containing heparin (5000 U/mL), as is standard practice for hemocompatibility tests 
198. Within 2 hours of collection, the blood was diluted with normal saline (4:5 v/v) and utilized for the 

experiments. 

 

3.2.10.1 Blood cells adhesion and hemolysis assays  

 

 Several coating materials on 316L SS flat samples (1.8 x 1.8 cm2 exposure area) were first 

tested and compared. In particular, reference materials such as polyurethane (PU, dissolved in water) 

and poly(lactic acid) (PLA, dissolved in ethyl acetate) were employed as coating polymers for 

comparison reasons, in addition to zein-based coatings. According to the scientific literature, a 200 µL 

drop of diluted whole blood was applied to each sample and incubated for 30 minutes at 37 °C for the 

static blood cells adhesion experiments 199, 200. The samples were then quickly washed three times with 

PBS to remove non-specifically adsorbed cells, and the remaining adherent platelets and RBCs were 

promptly fixed for 90 minutes at room temperature with 2% v/v glutaraldehyde in 0.1 M sodium 

cacodylate buffer (pH 7.4, Sigma Aldrich). After removing the fixative solution, the samples were 
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washed three times for 10 minutes each with the same buffer and kept overnight at 4 °C. The samples 

were post-fixed in 0.1 M sodium cacodylate buffer containing 1% v/v osmium tetroxide (Sigma 

Aldrich) and subsequently dehydrated in a succession of ethanol solutions. Finally, they were incubated 

in a series of hexamethyldisilazane (Sigma Aldrich) / ethanol solutions, air-dried, sputter-coated with 

15 nm gold to minimize charging effects, and examined with SEM. Using the ImageJ software, the 

number of adherent platelets per mm2 was calculated from the captured micrographs as a measure of 

platelet density on the selected materials. Activated platelets, easily detected by the presence of 

pseudopodia, were manually distinguished.  

 According to the international standard ISO 10993-4, the hemolysis assay was performed for 

the same materials 201. In brief, samples with an exposure area of 1.8 x 1.8 cm2 were soaked in 2 mL of 

normal physiological saline and stored at 37 °C for 30 minutes. Following previously established 

protocols, 0.04 mL of diluted blood was added to the samples, which were then maintained at 37 °C for 

an additional 60 minutes, and ultimately, the solutions were removed and centrifuged for 10 minutes at 

1100 g at room temperature 202, 203. Normal physiological saline and distilled water served as negative 

and positive controls, respectively. Using a Spark Multimode microplate reader (Tecan Group Ltd., 

Männedorf, Switzerland), the absorbance of the supernatant (100 µL) was measured at 542 nm 

(characteristic wavelength of hemoglobin). The hemolysis rate (HR) was calculated according to 

Equation (4).  

 

             HR �%� =  
9:;<=> :?@AB?:CD> 5 E>F:GHI> DACGBA= :?@AB?:CD>

JA@HGHI> DACGBA= :?@AB?:CD> 5 E>F:GHI> DACGBA= :?@AB?:CD> 
 x 100                           Eq. (4) 

 

3.2.10.2 Dynamic experiments 

 

 The dynamic flow experiments with mice blood were performed using the peristaltic pump at 

a continuous flow rate of 500 µL/min. Before the assays, the assembled microfluidic chips were 

perfused with PBS and checked for the absence of air bubbles or fluid leakage. After drawing whole 

blood samples (about 1.5 mL each) via the tubing system, the flow was sustained for 10 minutes before 

the devices were washed with pre-warmed PBS to eliminate unbound platelets and RBCs within the 

coated channels. Following the meticulous disassembly of the microfluidic platform, the adhering cells 

on the coatings were quickly fixed, as indicated in the above paragraph. SEM was used to evaluate 

blood cell adhesion, platelet shape, aggregation, and pseudopodia development on randomly selected 

locations. Additionally, the obtained pictures were examined with an image analysis software to 

measure the coating area covered by platelets. 
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3.2.11 Statistical methods 

 

 Using Origin 2019b 64Bit software, all measurements were statistically evaluated (OriginLab 

Corporation, Northampton, USA). An unpaired Student's t-test was performed to discover statistically 

significant differences between two groups. When more than two groups were compared, a one-way 

ANOVA followed by post-hoc Tukey HSD tests was employed for comparisons. Statistical significance 

was defined as p < 0.05 (*) and p < 0.01 (**) probability values. 

 

 

3.3 Results & Discussion 

This chapter section is partially taken from Lenzuni M. et al., "Dynamic investigation of zein-based 

degradable and hemocompatible coatings for drug-eluting stents: a microfluidic approach" RSC Lab 

on a Chip (2023). 

 

3.3.1 Microfluidic system setup  

 

 Figure 3.4 depicts the resultant microfluidic platform, which comprises two asymmetric 

chambers joined together with an adhesive UV-curable glue. Two device designs with round and square 

1.8 mm-cross-section channels were fabricated to examine the influence of geometric factors while 

simulating vessel profiles in healthy and blocked conditions (i.e., clogged stented artery).  

 

 

 

 

Alignment holes 

Inlet tube 

Coated channel 

Adhesive 

Outlet tube 

Figure 3.4. A 3D schematic of the assembled device.  
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 The preparation of the simulated blood fluid "SBF_ws" followed the chemical composition of 

human blood plasma (Table 3.2) in terms of ion concentrations. Additionally, during the preliminary 

stages of this study, several media with various amounts of urea, glycerol, and water were examined. 

The final characteristics of each two- and three-component "SBF_wgu" solution are listed in Table 3.2 

and Figure 3.5. 

 
Figure 3.5. Dynamic viscosity as a function of shear rate of simulated blood fluid (SBF) solutions. Relationships between 

dynamic viscosity and shear rate for water/glycerol (wg) and water/glycerol/urea (wgu) solutions. 

Table 3.2. Dynamic viscosity values for water-glycerol solutions, with and without urea. 

Legend Water (wt%) Glycerol (wt%) Urea (wt%) 
Dynamic viscosity 

(mPa*s) 

A 44.2 55.8 - 8.9 

B 54.3 45.7 - 4.6 

C 44.1 34.5 21.4 4.4 

D 45.6 28.8 25.6 3.3 

E 44.8 32.8 22.4 4.1 

 

 

 A release medium that included 32.8% w/w and 22.4% w/w urea was chosen as particularly 

suitable for our application and used in all subsequent experiments. In particular, compared to other 

fluids described in the literature that are frequently used in degradation and/or release tests, the dynamic 

viscosity (4.1 mPa*s) and pH (7.3) values of the chosen solution were closer to the physiological range.  
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 Figure 3.6 depicts the microfluidic device setup processes and the final system configuration. 

The channels were sprayed with the rutin-loaded zein solution for 6 seconds before the chambers were 

assembled and put on top of a clean glass slide. The chips were connected to the peristaltic pump, and 

two different SBFs and mice blood were used as flowing media. The pump, which was joined to the 

inlet tube of each device, regulated the fluid flow rate. The final experimental setup also included the 

output collector vials and a heated reservoir containing the SBFs. 

 

  

 

 

 Alternatively, the chips might be placed in an incubator and eventually employed to study 

stimuli-responsive materials by applying external triggers. The quartz glass chips were also highly long-

lasting, allowing several cleaning and recycling operations. The set flow rate of 500 μL/min was in the 

range of the blood speed calculated for the diameter of the fabricated vessel-mimicking devices 204.  

 

3.3.2 Three-dimensional computational fluid dynamics  

 

 The hydrodynamic field characteristics in each microfluidic device were computed using 

computational fluid dynamics (CFD) analysis (COMSOL Multiphysics package & ANSYS). Figure 3.7 

a, b illustrates a sequence of vertical cross-sections showing the local flow conditions in the channels. 

Even while the fluid dynamics behavior results similar in the area of interest, closer inspection of Figure 

Preparation of simulated blood 

fluids (SBFs) and mice whole blood 

Design and manufacturing of 

the microfluidics platforms 
Coating fabrication and characterization Assembly of the coated microfluidic platform 

= matrix (zein) 
= drug (rutin) 

Set-up of the fluidic system 

(i.e. pump and tubes)  

500 µl min 
-1

 

Figure 3.6. Illustration of the setup of the microfluidic system.  
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3.7 c, d reveals the following: in the first 100-150 microns from the glass walls towards the center of 

the channel, the velocity field of the fluid is almost zero (semi-stationary bearing effect). This is not a 

surprising finding in a microfluidic study. However, given that the drug-containing polymer matrix has 

a thickness of 6-7 µm, it is safe to assume that the process of drug release and matrix degradation is 

primarily driven by an erosion mechanism or an unforced diffusion mechanism that is based on the 

biochemical affinities and/or concentration gradients of the different species. The active molecule, in 

particular, diffuses through the fluid, reaches the most central flow lines, and is carried toward the exit. 

Continuous exchange with a fresh solution medium (as in the human body) prevents saturation levels 

from being attained, recreating the original concentration conditions that facilitate the release and 

degradation processes. 

 

 

Figure 3.7. CFD analyses. Flow velocity distributions through the whole channels (a, b) and central y-z vertical cross-

sections (c, d) of the microfluidic devices were modeled using COMSOL, with the colors indicating the local velocity rate. 

Simulations were performed at 0.5 mL/min. 

 

 

 

 

 

 

 

 

a) b) 

c) d) 
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3.3.3 Characterization of zein-based coated channels 

 

 The surface morphologies of the ZR-coated channels are shown in Figure 3.8. During the 

fabrication steps of the chips, the channels were not polished down to optical quality in order to ensure 

maximum adhesion of the polymeric material to the fused silica-based substrate. The channels looked 

evenly covered and devoid of fractures based on SEM observations (Figure 3.8 a, b).  

 

 

 

 Different magnifications show how the coating is uniformly applied from the bottom to the 

channel borders (Figure 3.9), accurately simulating a uniformly coated drug-eluting stent that adheres 

to a vascular wall. This aspect is of critical importance since coating homogeneity is crucial to guarantee 

a uniform drug delivery to the blood vessel and decrease therapeutic risks 205.  

 

 

(d

Figure 3.8. Morphological characterization of a coated channel. SEM images at different magnifications, showing the 

bottom of a coated channel and the cross-section view of the ZR coating after being intentionally scratched.  

a) 

b

c
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Figure 3.9. Morphological characterization of the edges of a coated channel.  

 

 A stylus profilometer was used to measure the coating surface roughness, and comparable 

results were extrapolated for chambers with round and square cross-sections (Table 3.3). The surface 

roughness, also visible in Figure 3.9, is mainly caused by the spray deposition process involving the 

adhesion and spreading of impacting spray droplets of the ZR solution.  

 

Table 3.3. Physico-chemical properties of the rutin-loaded zein coating deposited on the fused silica-based channels. 

Coating Material 
Water contact angle 

(°) 

Coating thickness 

(µm) 

Arithmetic roughness 

(nm) 

Rutin-loaded Zein  60.5 ± 2.6 
6.6 ± 0.5 (square channel) 

7.5 ± 0.2 (round channel) 

403.0 ± 74.6 (square channel) 

438.5 ± 54.9 (round channel) 

 

 

 After the samples were intentionally scratched using a lancet, the stylus profilometer was used 

to measure the thickness of the coatings at the bottom of each channel. As stated in Table 3.3, similar 

values were found on round and square cross-section chambers. Figure 3.10 provides an example of a 

measurement on a round ZR-coated channel (thickness value = 7.5 µm). These results were comparable 

to those obtained from SEM cross-section images; in particular, a value of 7.2 µm was calculated using 

the ImageJ software from Figure 3.8c. 
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Figure 3.10. A stylus profilometer scan showing the thickness of the ZR coating on a round microfluidic channel.  

 

 Finally, based on the measurements of the water contact angle, the surface wettability of the 

coated substrates was obtained, and experimental results showed that the ZR-coated chambers display 

a mean water contact angle of 60.5° (Table 3.3). The ability of the zein to make the surfaces more 

hydrophobic was therefore confirmed: in the case of clean stainless steel (Chapter 2 Paragraph 2.3.8), 

the value changed from 28.9° to 38.7°, and in the case of fused silica increased changes from 52.6° to 

60.5° when applying a rutin-loaded zein layer. 

 

3.3.4 Matrix degradation studies 

 

 The ZR-coated channels were subjected to two aqueous SBFs at a constant flow rate of 500 

µL/min for up to 6 hours in order to examine the kinetics of coating degradation. The polymer release 

emerged more sharply in the initial step than in the succeeding phases of the experiments. The 

composition of the working fluids significantly affected the overall polymer degradation: more 

specifically, a difference in the zein release profiles was observed within the first hour for round cross-

section channels (34.5 ± 3.2% with SBF_ws and 23.1 ± 2.5% with SBF_wgu, Figure 3.11a) and the 

square cross-section channels (38.6 ± 2.9% with SBF_ws and 33.7 ± 4.9% with SBF_wgu, Figure 

3.11b).  
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 Interestingly, the use of SBF_ws resulted in an early formation of more leachable zein 

fragments, which would speed up the loss of film material. According to previous researches, an 

increase in the amount of salt ions in the flowing media may stimulate the hydrolysis and be the primary 

factor causing this rise in fragment release 54, 206. Furthermore, SBF_wgu not only has a lower salt 

content but, since it is more viscous than SBF_ws, it has a more streaming resistance, and so it flows 

slower through the channel. When the flow rate is lowered, so may the degradation rate, resulting in 

prolonged degradation times for the coated samples 207. In addition, the inclusion of glycerol in 

SBF_wgu might explain the reduced zein degradation rates throughout the 6-hour time period (round 

channel: 55.0 ± 6.6%; square channel: 60.9 ± 4.8%): this plasticizer molecule not only enhances the 

viscosity of the layer at the fluid-coating interface, but it may also inhibit film swelling. As a result, 

initial fragment and subsequent zein diffusion across this glycerol-rich aqueous layer become more 

challenging, and polymer erosion resistance may increase 208. 

 As shown in Figures 3.11a and 3.11b, the initial "burst effect" release in the delivery kinetics 

is slightly faster for the square cross-section channel (e.g., after 30 minutes, SBF_ws: 29.8 ± 3.6%, 

SBF_wgu: 25.0 ± 5.6%) compared to the round cross-section one (SBF_ws: 28.1 ± 3.1%; SBF_wgu: 

16.7 ± 1.3%). The square channel shape, which led to a larger exposed area of the polymer matrix to 

the flow of the release medium, is responsible for this small yet not statistically significant variance. 

Overall, it can be concluded that the zein coatings were likely degrading as a result of the water 

molecules of the release media directly penetrating into the films and generating zein amide bond breaks 

in the swollen areas. 
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Figure 3.11. Zein degradation kinetics. Cumulative percentage of zein mass released from round (a) and square (b) ZR-coated 

channels. Data are presented as mean ± SD (n = 3), which were statistically analyzed using Student's t-test. * p < 0.05, ** p 

< 0.01. 
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3.3.5 Morphological changes during degradation assays 

 

 After performing dynamic experiments at various time periods, changes in the surface 

morphology of the zein-coated channels were studied under the SEM. The results are displayed in 

Figures 3.12 and 3.13. At time t = 0, zein coatings displayed a uniformly compact surface, while 

degradation signs could be seen at all subsequent time points. After the release media flowed, the 

samples showed a surface that became progressively more porous over time. 

Square chip 

Round chip 

6h 3h 1h 30min 

6h 3h 1h 30min 

Square chip 

Round chip 

6h 3h 1h 30min 

6h 3h 1h 30min 

a) 

b) 

c) 

d) 

Figure 3.12. SEM morphologies obtained from the coated channels with SBF_ws as flowing medium. Representative SEM 

images at different magnifications of the square (a, c) and round (b, d) chip were taken at different time points (from 30 

minutes to 6 hours).  
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 Since the pore surface areas and diameters are larger in the samples in Figure 3.12, SBF_ws 

appears to be a more aggressive and erosive fluid than SBF_wgu (Figure 3.13) from a qualitative 

analysis. These findings are consistent with those shown in Figure 3.11, which shows the concentrations 

of the zein eluted samples measured using a spectrophotometer. On the other hand, surface topography 

differences were not observed when distinct channel geometries were examined, confirming the 

previously reported non-statistically different degradation data in Figure 3.11. 

Square chip 

Round chip 

6h 3h 1h 30min 

6h 3h 1h 30min 

Square chip 

Round chip 

6h 3h 1h 30min 

6h 3h 1h 30min 

a) 

b) 

c) 

d) 

Figure 3.13. SEM morphologies obtained from the coated channels with SBF_wgu as flowing medium. Representative SEM 

images at different magnifications of the square (a, c) and round (b, d) chip were taken at different time points (from 30 

minutes to 6 hours).  
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 Cross-sections of the degraded coatings were also inspected by SEM, showing the residual 

coating thickness gradually diminished over time (Figure 3.14); nevertheless, after 6 hours of flow, the 

zein layer still uniformly covered the underlying substrate.  

 

 Overall, the degradation products did not peel off as large fragments, indicating an optimal 

degradation behavior of the zein matrix and good adhesion between the coating and the substrate. These 

findings demonstrate that the surface roughness of the microfluidic channels formed using the FLICE 

manufacturing approach contributes to the polymer adhesion strength. As further proof, the zein 

absorption peaks (270 nm) recorded at the UV spectrophotometer were frequently represented as well-

defined curves, and no broad peaks were observed in the spectra area at 320 nm, which is typically 

associated with large protein aggregation. 

 

 

a) 

b) 

6h 3h 1h 30min 

6h 3h 1h 30min 

SBF_ws 

3h 1h 30
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3h 1h 30
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3h 1h 30min 

3h 1h 
30min 

SBF_wgu 

6h 

6h 

Figure 3.14. Morphological changes observed on the edge of the channels during the degradation process. Low and high

magnification of SEM images of the edges of the coated channels at different time points with SBF_ws (a) and SBF_wgu (b) 

as flowing media. 
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3.3.6 Drug release kinetics  

 

 Rutin release from ZR-coated channels was investigated in the two microfluidic devices for 6 

hours by flowing SBF_ws and SBF_wgu at 37 °C. Figure 3.15 depicts the influence of eluting media 

composition on the rutin release rate, with the cumulative percentage of drug released displayed as a 

function of time. After 6 hours, the released quantities of rutin into the SBF_ws fluid within the round 

and square microfluidic chips were 77.0 ± 6.9% and 80.8 ± 7.2%, respectively. Values of 73.8 ± 4.5% 

and 78.1 ± 8.5% were obtained for the round and square channels, respectively, when using the 

SBF_wgu. There were no statistically significant changes in the quantities of drug released when 

comparing the two fluids or from the channels with different geometry. 

  

 

 To get a clearer idea of the drug-polymer interaction, a comparison between the release kinetics 

of zein and rutin from each type of channel with the two different elution media was carried out (Figure 

3.16). An initial burst release of both rutin and zein within the first 15 - 30 minutes of the assays was 

detected in all the conditions. Following that, the drug release appears to be faster than the polymer 

degradation process, suggesting that diffusion processes primarily drive the rutin release kinetics at this 

stage. 

Figure 3.15. Rutin release kinetics. Cumulative percentage of rutin mass released from round (a) and square (b) ZR-coated 

channels. Data are presented as mean ± SD (n = 3), which were statistically analyzed using Student's t-test. * p < 0.05, ** 

p < 0.01. 
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Figure 3.16. Comparison between drug and polymer release from ZR-coated microfluidic chips. Zein and rutin release from 

round (a, b) and square (c, d) channels in the presence of continuous SBF_wgu (a, c) and SBF_ws (b, d) flows. Data are 

presented as mean ± SD (n = 3), which were statistically analyzed using Student's t-test. * p < 0.05, ** p < 0.01. 

 

3.3.7 Mathematical modeling of drug release 

 

 To get further insight into the rutin delivery mechanisms from the degradable zein matrix, 

mathematical models were used alongside release experimental studies 195. In particular, the equations 

described in paragraph 3.2.8 were fitted with the cumulative release data (Figure 3.15). The Korsmeyer-

Peppas (Figure 3.17 a, b) and first-order models (Figure 3.17 c, d) were the most accurate for the 

mathematical description of rutin delivery kinetics. Table 3.4 provides r2 and K values – the measure of 

goodness-of-fit and the model constant, respectively – for all samples. 
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Table 3.4. Mathematical model fitting values obtained from rutin release kinetics. Bold values indicate the best fits.  

Cross-section SBF Zero-order First-order Higuchi Korsmeyer-Peppas Hixson-Crowell 

  r2 K r2 K r2 K r2 n r2 K 

Round ws 0.8996 0.1525 0.9764 -0.0015 0.9745 3.6812 0.9774 0.4198 0.9564 -0.004 

Round wgu 0.8908 0.1558 0.9618 -0.0014 0.9723 3.7758 0.9805 0.4653 0.9414 -0.0039 

Square ws 0.8457 0.1576 0.9517 -0.0017 0.9446 3.8637 0.9565 0.4193 0.9215 -0.0044 

Square wgu 0.8462 0.1519 0.9492 -0.0015 0.9434 3.7206 0.9489 0.4226 0.9199 -0.0041 

 

 

 Rutin release from zein matrices is thought to occur through the partially swollen zein layer and 

to be primarily controlled by a Fickian diffusion (i.e., the diffusion rate of the penetrating solvent is 

much greater than the relaxation and degradation rate of the polymeric chains), as suggested by the n 

coefficients of the Korsmeyer- Peppas model, which lay below 0.5 for both configurations and both 

a) b) 

c) d) 
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Figure 3.17. Rutin release fitting profiles. Rutin release profiles were fitted to different mathematical models, among which 

the Korsmeyer-Peppas (a, b) and first-order (c, d) models resulted to be the most accurate. These models could help 

understand the mechanism of rutin release from round (a, c) and square (b, d) coated channels with different flow fluids. 
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fluids 195. Furthermore, analyzing two sections of the release curves independently provided an 

additional interpretation of the release process (Table 3.5). The Higuchi model was determined to be 

the best fit with a greater correlation (r2 > 0.99) during the first time period of up to one hour. When the 

Korsmeyer-Peppas model was used to fit the same data, the results showed high linearity (r2 > 0.99) 

with slope values between 0.5 and 1.0, indicating that the release rate was controlled by diffusion, 

relaxation (swelling), and erosion mechanisms of the zein polymeric coatings, as already suggested by 

the findings in Figures 3.14 and 3.16 209. The Korsmeyer-Peppas and first-order models, the latter 

referring to a system where the drug release rate is a function of the residual drug concentration, were 

found to have the greatest r2 values when the second time period (60 minutes - 6 hours) was examined. 

The n coefficients from the Korsmeyer-Peppas model were less than 0.5, confirming that the release 

kinetics were mostly diffusion-controlled throughout the last sessions of the experiments. The kinetics 

of a hydrophilic drug, such as rutin, from a partly hydrophobic matrix, such as zein, often involve 

diffusion as well as matrix erosion. Berardi et al. provided a similar explanation for the tramadol release 

mechanism from zein tablets in phosphate buffer solutions 210. 

 

Table 3.5. Mathematical model fitting values obtained from rutin release kinetics for different time periods. Bold values 

indicate the best fits. 

Cross-section SBF 
Analyzed time 

(min) 
Zero-order First-order Higuchi Korsmeyer-Peppas Hixson-Crowell 

   r2 r2 r2 r2 n r2 

Round ws 0 - 60 0.9835 0.9935 0.9986 0.9974 0.5696 0.9907 

Round ws 60 - 360 0.974 0.9989 0.9983 1 0.3237 0.9942 

Round wgu 0 - 60 0.9881 0.9954 0.9997 0.9986 0.6004 0.9934 

Round wgu 60 - 360 0.9222 0.9729 0.974 0.9871 0.3672 0.9583 

Square ws 0 - 60 0.9825 0.9948 0.9983 0.9958 0.6204 0.9915. 

Square ws 60 - 360 0.9282 0.9819 0.9775 0.9923 0.2843 0.9691 

Square wgu 0 - 60 0.9776 0.992 0.9965 0.9924 0.6472 0.988 

Square wgu 60 - 360 0.9512 0.9903 0.9897 0.9982 0.2785 0.9804 

 

 Overall, the mathematical modeling confirmed that the degradation process of zein coatings in 

aqueous media partially influences the rutin release behavior: (1) the drug initial burst release is caused 

by the rapid displacement of physically-adsorbed rutin molecules; (2) pores are formed within the 

amphipathic zein matrix upon water contact; and (3) these pores in the matrix serve as an additional 

drug transport pathway, allowing the drug to be released faster. Compared to the static studies reported 

in Chapter 2, Paragraph 2.3.5, zein degradation and rutin release were quicker and more continuous 
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when experiments were carried out under dynamic settings. The most likely explanation for these results 

is that the constant liquid flow caused more rapid infiltration of water molecules within the polymer 

matrix, and the ZR surface experienced a constant removal of the drug/polymer top layer, resulting in 

the maintenance of a continuous concentration gradient, avoidance of medium saturation, and 

accelerated polymer degradation. 

 

3.3.8 Static blood cells adhesion assays 

 

 Wettability, chemical composition, surface charge, and roughness are all critical characteristics 

in the hemocompatibility of medical devices and materials, and they have an impact on cell and protein 

adsorption during the early stages of the material-blood interaction 211. Using whole blood for in vitro 

assays has the advantage of testing the thrombotic system in its entireness. In this study, several samples 

were pre-conditioned and incubated in fresh mouse blood for 30 minutes under static conditions at 37 

°C. As widely known from the literature, evidence of platelet activation may be inferred from the shape 

of adherent platelets 187, 189. The morphology of blood cells on different substrates is presented in Figure 

3.18. 316L SS surfaces were also examined for comparative purposes, since, as it is acknowledged in 

the literature, the trade-off for the mechanical advantage of metals is thrombogenicity 212. The majority 

of platelets on steel (Figure 3.18e) exhibited aggregation, significant pseudopodia development, and 

shape modifications (i.e., spreading), as confirmed by the literature 205. On the other hand, the partial 

hydrophobicity of the corn-derived material may account for the limited number of platelets that 

adhered to the zein-based coatings (Figure 3.18 a, b). According to several authors, surfaces with 

hydrophilic components of polar functional groups often encourage cell attachment as opposed to 

surfaces with non-polar hydrophobic components. However, the coagulation system may also be 

affected by other factors such as the binding and conformation of plasma proteins, surface chemistry, 

charge, and roughness 188. Few platelets spread completely onto the rutin-loaded surfaces (Figure 

3.18b), where a reduction in platelet activation was observed, and only a few platelets began to adopt a 

dendritic morphology. On the other hand, many of the adhering platelets to the drug-free zein coating 

assumed a dendritic shape (Figure 3.18a). This results might be attributed to (1) the electrostatic 

repulsion between the platelet negative charges and the rutin molecules and (2) the drug natural anti-

coagulant capabilities, which have been previously observed to successfully suppress platelet activation 

and thrombus formation 159, 213. 
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 The same experimental protocol has also been followed for testing other reference materials 

(PU and PLA), currently under investigation in the literature as potential DES coatings. In particular, 

severe platelet aggregation was seen on the PU-coated surfaces (Figure 3.18c), indicating poor 

hemocompatibility of the material, as previously described for other classes of polyurethanes 214. On 

the other hand, a high number of erythrocytes was detected on PLA surfaces (Figure 3.18d), likely 

owing to the shape and specific surface area of this synthetic polymer, which allowed more cells to 

attach, as previously observed by Ji et al 215. Moreover, on the PLA surfaces, fibrin gel network was 

densely present above and around red blood cells, suggesting a preliminary stage of blood clot 

formation. 

 

 Figure 3.19 shows platelet adhesion and activation levels on the tested sample surfaces. On the 

zein-based coatings without and with rutin, the average number of adherent and activated platelets per 

mm2 was 617 (333 exhibited activated morphology) and 775 (179 showed activated morphology), 

respectively. As a comparison with different naturally-derived materials, Kim et al. studied the platelet 

adhesion phenomena on alginate hydrogel films, with and without CaCl2 crosslinking, which showed a 

density of 700 platelets/mm2 and 840 platelets/mm2, respectively 173. A comparable number of cells was 

found onto silk fibroin films, while several authors tested chitosan-coated surfaces and measured more 

than 3500 adherent platelets per mm2 216, 217. Bare metal samples reported an average numbers of 

adherent and activated platelets per mm2 of 2877 and 2489, respectively. The average number of 

adherent and activated platelets per mm2 were 2930 and 808 for the PU coating and 790 and 156 for the 

PLA coating, as shown in Figure 3.19. The latter showed a similar behavior compared to what was 

a) b) 

c) d) e) 

Figure 3.18. SEM images of adhered platelets. Representative SEM images with magnified insets show the morphology of 

the platelets adhered on zein (a), rutin-loaded zein (b), polyurethane (c), PLA (d), and stainless steel (e). Arrows indicate 

red blood cells (red), white blood cells (cyan), resting platelets (green) and activated platelets (orange). 
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observed by Kim et al. with PLGA-coated substrate (~875 adherent platelets/mm2) 173. The amounts of 

adherent cells on both PU and SS samples were significantly higher than those on PLA and zein-based 

samples, with a high degree of spreading and aggregation. It has to be noted that it was often not possible 

to distinguish individual platelets in large clots; here, the average number of adherent and activated 

platelets on PU and SS surfaces was estimated from areas where the cells were more well-separated. 

 
Figure 3.19. Static blood cells adhesion assays. Data are presented as mean ± SE, which were statistically analyzed using 

one-way ANOVA followed by post-hoc Tukey's test. * p < 0.05, ** p < 0.01.  

 

3.3.9 Hemolysis assays 

 

 Erythrocyte-induced hemolysis in vitro is considered another reliable and essential parameter 

in order to evaluate the hemocompatibility of a blood-contacting material. Table 3.6 provides a 

summary of the hemolysis rates obtained from zein-based films and reference samples following a 30-

minutes incubation protocol with whole blood at 37 °C.  
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Table 3.6. Hemolysis rate for stainless steel, zein-based coatings, and other reference materials. 

Sample surface Hemolysis Rate (%) 

Normal saline (negative control) 0 

Stainless Steel 1.20 ± 0.54 

Rutin-loaded zein 2.43 ± 0.63 

Poly(lactic acid) 3.00 ± 0.21 

Zein 3.66 ± 1.02 

Polyurethane 22.08 ± 1.61 

Distilled water (positive control) 100 

 

 

 The zein and rutin-loaded zein samples revealed low hemolysis rates of 3.66 ± 1.02% and 2.43 

± 0.63%, respectively, which are lower than the judging criterion (5%) for eligible blood compatibility 

for any implantable biomedical materials, according to the ISO 10993-4 norm 201. Other coatings 

fabricated from different naturally-derived materials showed similar hemolysis rates of less than 5% 

(i.e., silk fibroin, β-glucan, chitosan, and collagen) 175, 218, 219. According to the literature, a low 

percentage of hemolysis was obtained from bare stainless steel (1.20 ± 0.54%) and PLA-coated samples 

(3.00 ± 0.21%). On the contrary, PU-coated samples showed more than 20% hemolysis rates, resulting 

in non-hemocompatible coating materials 205, 220.  

 

3.3.10 Polystyrene beads dynamic experiments 

 

 Attachment of 5-µm diameter PS particles, using dilute suspensions that resemble the 

concentration of red blood cells (RBCs) in human blood, might provide an early insight into the coating 

ability to attract and allow particles or flowing cells to adhere to itself. The zeta potential of 5-µm PS 

particles dispersed in SBF_wgu was -4.6 ± 0.1 mV and -7.4 ± 1.1 mV in SBF_ws. This difference might 

be explained by the presence of glycerol molecules on the surface of the particles, which could reduce 

the zeta potential values due to steric hindrance. PS beads were chosen and employed to replicate RBCs 

behavior in terms of quantity, size, negative charge, and density. Although such particle model has 

limits and definitely does not mimic all of the complexity involved in an in vivo setting, it can be 

beneficial in gaining preliminary insights into adhesion events at the zein/liquid interface. In both 
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SBF_ws and SBF_wgu media, optical microscope pictures at different magnifications revealed well-

dispersed PS particles (Figure 3.20). 

 

 

 

 

A preliminary examination was carried out to assess PS beads adherence and the morphology 

of the ZR-coated channels after 30 minutes of dynamic experiments. The particles shown in Figure 3.21 

a-d likely adhered to the ZR coatings due to van der Waals, hydrophobic and electrostatic interactions 

with the zein matrix. According to the SEM images, their adhesion on the coated surface is very low, 

although they are abundant in the fluids (5 x 106 beads/mL). 

 

 

a) 

c) d) 

b) 

Figure 3.20. Optical microscopy images of diluted PS beads. The beads were suspended (5 x 106 particles/mL) in SBF_ws

solution (a, b) and SBF_wgu solution (c, d). 
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When comparing the pictures acquired with PS beads dispersed in the two SBFs, no 

considerable change was observed in the number of adhering particles or the coating morphology. When 

the SEM images in Figures 3.12 and 3.13 were compared in a qualitative analysis, a slightly more 

degraded matrix area was detected, probably owing to solid particle erosion (Figure 3.21 a-d). This 

effect can be attributed to the repetitive dynamic impact of fast-moving suspended particles in the fluid 

onto the surface material 221.  

 

 

3.3.11 Whole blood dynamic experiments 

 

 Dynamic whole blood tests were conducted at a flow rate of 500 µL/min for 10 minutes to study 

the hemocompatibility of the ZR coating and the feasibility of the microfluidic devices for assessing 

DES coating thrombogenicity. Despite the fact that various research groups have frequently fixed the 

flow time at 4-5 minutes employing parallel-flow chambers, thrombus development typically occurs 

within 5-8 minutes on physiological surfaces 151, 222. Furthermore, whereas many studies only use 

platelet-rich plasma (PRP) to test the blood compatibility of selected materials, whole blood flow tests 

Figure 3.21. PS beads adhesion on ZR-coated channels. SEM images were acquired after 30 minutes of flow of PS beads 

dispersed in SBF_wgu (a, b) and SBF_ws (c, d). Images on the right (b, d) are higher magnification of the dashed box area 

in images (a, c). 
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were used in this project to integrate the cumulative contributions of blood cells, coagulation factors, 

and hemodynamic forces into the process of thrombus formation on selected materials. After the 

flowing experiment, the formation of blood clots, platelet adhesion, and their morphologies within the 

microfluidic channel were examined. Clot formation generally serves as one of the most important in 

vitro indicators for assessing the blood compatibility of a material. Under blood flow, the formation of 

clots is primarily fueled by the adsorption of plasma proteins followed by the adhesion of blood cells 

on the implant surface 188. In addition, the shape and size of platelets can change within a few seconds 

in response to a triggering stimulus, being the activation level of adherent platelets closely connected 

with their morphology (i.e., platelets extrude pseudopodia upon activation, assuming a dendritic shape 

until completely spread) 211. Even though only a few articles have reported SEM pictures for both 

platelet adhesion and activation assessment after completing dynamic blood tests, the samples were 

here investigated using electron microscopy techniques rather than fluorescent methods 223-225. 

Nevertheless, being light-transparent, the fused silica-based chips could also be used in combination 

with brightfield or fluorescence microscopy. Representative SEM images, acquired after the dynamic 

blood experiments, are depicted in Figure 3.22 (a-c), which shows a small number of adhered platelets, 

and an even smaller number of activated platelets, onto the ZR coating (~3.2% area coverage with blood 

cells), and only occasionally visible red blood cells.  For comparison, Ollivier et al. reported a value of 

~18% from the platelet coverage experiment on bare cobalt-chromium discs within 10 minutes of flow 
226. Under the same conditions, Sarvepalli et al. showed that platelet adhesion on a collagen-coated 

surface had exceeded 80% of the available surface area in a microfluidic chamber 227.  

 No presence of fibrin networks containing trapped blood cells, as seen for example in Figure 

3.18d on the PLA-coated surfaces, and no sign of platelet aggregation was found on the surface of the 

zein-based coatings. The observed platelets showed a spherical shape with a rare development of 

pseudopodia growing from their surface, indicating a non-activated phenotype. 
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 SEM images of the zein matrix tested under blood flow revealed more intense degradation than 

those obtained after the experiments with aqueous SBFs solutions (Figure 3.12 and Figure 3.13). This 

outcome was most likely caused by the enzymatic action of various proteases exerted on the protein 

matrix, as expected from the prior results shown by Suarato et al 93. Data obtained from the static tests 

are consistent with those from the dynamic whole blood tests and showed how this plant-based, drug-

loaded matrix could provide a safe coating material for stent application. These results are particularly 

relevant to the physiological situation in partially occluded blood vessels, where platelet behavior can 

have a significant impact on the onset of adverse effects and is of primary interest when developing 

materials for stent coating. 

 

a) 

b) c) 

Figure 3.22. SEM image of adherent blood cells on ZR-coated microfluidic channel acquired after a 10 minutes flow. A red 

blood cell (red), resting platelets (yellow), and slightly activated platelets with pseudopodia formation (green) are colored

in (a) by using Mountains Map software from Digital Surf (Besançon, France). 
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3.4 Conclusions 

This chapter section is partially taken from Lenzuni M. et al., "Dynamic investigation of zein-based 

degradable and hemocompatible coatings for drug-eluting stents: a microfluidic approach" RSC Lab 

on a Chip (2023). 

 

 In this second PhD project, a simple, reusable, fused silica-based microfluidic platform was 

designed and validated. The proposed platforms allowed a quantitative analysis of the influence of the 

flow environment and channel geometry on the degradation and drug release kinetics of DES coatings. 

The developed microfluidic structure might be used to investigate various working fluids and flow rates, 

as well as multiple coating types (degradable or non-degradable) that can be deposited using a variety 

of processes (such as casting and spray methods). The current investigation focused on the effect of 

different SBFs and geometrical characteristics of the microfluidic channels on the degradation and drug 

release profiles of naturally-derived zein-based coatings. According to the results, the release media had 

a more significant impact on the polymer degradation profile than the geometrical form (round vs. 

square) of the channels. In particular, the zein matrix was degraded faster when a higher concentration 

of salt ions (simulating the physiological blood plasma milieu) was added to the eluting medium. The 

drug release mechanism from the zein coatings was subsequently determined by mathematical modeling 

of the rutin delivery kinetics, which revealed a diffusion-controlled (Fickian) behavior, according to the 

Korsmeyer-Peppas model. Variations in polymer mass and surface topography of the coatings were 

also analyzed and compared in order to better understand release behavior and to guide future in vivo 

experiments.   

 Hemocompatibility constitutes another leading requirement when designing blood-contacting 

materials for vascular devices. While the dynamics of blood cell activation are frequently overlooked 

during blood tests, in this work, a whole blood assay was carried out under controlled physiologically 

flow conditions using the fused silica-based microfluidic approaches to evaluate the antithrombotic 

properties of the ZR material. The proposed plant-based coating was found to be hemocompatible from 

the results of the hemolysis assays (< 5%) and the static and dynamic whole blood cell adhesion 

experiments. Particularly, SEM images analysis revealed that the zein-based coatings significantly 

reduced platelet adhesion and activation when compared to reference substrates (bare stainless steel or 

waterborne polyurethane). Detection methods such as contrast-enhanced microscopy could have helped 

to visualize adhered platelets in real-time, but such a technique is unable to inform on their activation 

levels and does not provide qualitative information on thrombus composition 150. Alternative 

approaches could have detected platelets by labeling them with DiOC6, fluorescein, or fluorescent 

antibodies 143, 228. However, fluorescent tags are not only expensive and require intensive sample 

manipulation, but they may also affect the biological functions and adhesion affinity of the target 

molecules. Moreover, counting the platelets is not achievable when all platelets are fluorescently labeled 
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since the close packing makes it impossible to distinguish between individual platelets. In addition to 

the aging light sources, photo-bleaching, and detector gain manual adjustments, the fluorescence 

intensity measured in a single focal plane may underestimate the number of aggregating platelets 229.  

 To conclude, our microfluidic systems, manufactured into non-deformable and completely inert 

substrates such as fused silica, represent versatile tools for release, degradation, and hemocompatibility 

studies, mimicking DES design and blood environment. More importantly, our plant-based materials 

have been demonstrated to be a safe alternative to synthetic polymers as coatings for blood-contacting 

biomedical devices, such as stents. 
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Chapter 4 - Conclusions and Future 

perspectives 
 

4.1 Conclusions 

 

 The increasing risk of CHD throughout the globe has been of critical concern and will 

ultimately lead to a rising share of the population experiencing stent-related pathologies such as 

restenosis and thrombosis. PCI has evolved from balloon angioplasty through bare metal stents and now 

to the dominant contemporary platform, the drug-eluting stent. The exploitation of local drug release 

has certainly reduced the incidence of stent restenosis at the cost of endothelial healing, resulting in 

heterogeneous and incomplete endothelial reconstitution, a factor strongly associated with stent 

thrombosis. Since the stents are in contact with the vascular system, the cytocompatibility with vascular 

cells (e.g., endothelial cells and fibroblasts) and the non-thrombogenicity of their surfaces are essential 

features. Improving the biocompatibility properties of cardiovascular DES, together with tuning their 

drug release kinetics, are thought to be the most promising strategies for solving the problem of 

restenosis and thrombosis, usually associated with disastrous patient outcomes.  

 Due to their biodegradability, excellent biocompatibility, and chemical tailorability, naturally-

derived polymers have been extensively investigated for the development of drug delivery systems. 

Under this perspective, in the present PhD thesis work, plant-derived coatings for DES were developed 

to offer new drug release platforms and improve the stent cyto- and hemocompatibility. Static and 

dynamic analyses were carried out to assess the performances of the proposed materials. The goal was 

to design a more biocompatible stent coating through natural polymers and drugs, exclusively 

employing green solvents.  

 In the first PhD project, single and double-layer coatings were developed and characterized, 

taking advantage of the innovative use of plant-based, biodegradable polymers, which constitute a 

promising alternative to permanent synthetic DES coatings. In particular, zein-based coatings have been 

evaluated for their controlled-release ability because of their slow biodegradability, low cost, 

biocompatibility, and non-immunogenicity. Rutin, acting as the active compound, was successfully 

loaded into the zein coatings, and its sustained release and anti-oxidant effects were assessed. Among 

the studied polymers, cross-linked alginate resulted the best sacrificial covering layer since it showed 

strong attachment to the protein layer and delayed release kinetics of the underlying drug. The strategy 

of cross-linking with calcium ions was preferred over the conventional cross-linking with 

glutaraldehyde, genipin, or metal complexes, given the high toxicity of these chemicals, which would 
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diverge from our green fabrication standards and might interfere with the final biological application. 

Lastly, the applicability of single and bilayer coatings to the vascular system was established by 

positively evaluating the attachment and proliferation of HUVEC and HDFa over the prepared plant-

based layers. 

  On the other hand, there is a time window prior to endothelialization when stents are exposed 

to the bloodstream. Although the stenting procedure is well established, it is clear from clinical data 

that there is a large void of comprehension of coatings impact in preventing thrombosis. Moreover, 

hydrodynamic forces play a crucial role in coating wetting, polymer degradation, mass loss, drug 

release, and thrombogenicity of the tested materials. The understanding of dynamic interactions 

between DES coatings and blood flow is still at an early stage. Instruments, such as USP Apparatus 4 

(Flow-through Cell) or USP Apparatus 7 (Reciprocating Holder), try to recreate a physiological flow 

in static sample cells to simulate the human hemodynamic environment. In addition to the high cost of 

these devices, the flow field inside such large instruments results non-homogenous and causes the drug 

to be released at different rates from distinctive regions of the samples 185, 190, 230. Moreover, simulated 

blood fluids (SBFs) are frequently prepared with Tween 20, Triton-X100, Pluronic, or other surfactants, 

which could not accurately simulate the blood components. In this scenario, microfluidic chips have 

been indicated as superior tools to replicate biological processes and provide simple to operate and high-

throughput techniques for material screening, unlike in vivo experiments, which are often hampered by 

the complexity of the results, high cost, time consumption, and ethical issues. In the second project of 

the PhD thesis, ad hoc designed microfluidic chips were fabricated on fused-silica substrates via FLICE 

technique with round and square cross-section areas to mimic key flow dynamic properties of a stented 

artery. Our microfluidic technology has demonstrated significant potential as a versatile tool for 

investigating drug-carrying coating behavior, in this case rutin-loaded zein coatings, under the influence 

of a uniform fluid field. The two main important features were assessed, i.e., drug release and matrix 

degradation kinetics, which are recognized to be two interconnected phenomena. Based on the assays 

conducted, the release medium properties (e.g., salt ions concentration) were found to significantly 

affect the profile of polymer degradation, while rutin delivery kinetics were mathematically modeled 

and revealed a diffusion-controlled (Fickian) behavior in accordance with the Korsmeyer-Peppas 

models. Lastly, using the proposed devices, the hemocompatibility properties of the proposed zein-

based coatings were assessed with a small blood sample volume and proved to satisfy all the 

requirements, in particular low platelet adhesion and activation levels compared to reference substrates. 

The fused silica-based devices were extremely durable and were recycled and reused multiple times, 

thus allowing us to adopt green work habits during research in laboratories.  

 Overall, the results obtained in these PhD multi-disciplinary research projects and the 

knowledge generated on the processing of biocompatible and biodegradable zein-based biomaterials 

can serve as guidelines for the further employment of plant proteins as green materials replacing animal 

proteins and synthetic polymers for a wide range of biomedical applications, such as coatings for stents.  
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4.2 Future Perspectives 

 

 The work reported in this PhD thesis has paved the way for a multitude of future research. 

Based on the drug release studies discussed in Chapter 2 and Chapter 3, further optimization of the 

coatings might be required to reduce the burst release effect from zein matrices. To this end, one 

approach could be the covalent bonding and modification of the interaction between drug molecules 

and the coating materials. Additional layers or drugs can be added to fabricate a multifunctional coating 

that, at the same time, should result cost-effective, easily applied, non-toxic, and have optimal temporal 

and continuous dosing. Copolymers and polymer blends could allow for hybrid properties (e.g., 

combining polymers with slow degradation rate with materials showing optimal cell proliferative 

capabilities).  

 Moreover, femtosecond laser-assisted direct manufacturing techniques (e.g., FLICE) 

demonstrated several advantages in terms of adaptability (such as the freedom to create unique 3D 

designs) and prototyping speed compared to traditional methods. The ability to mimic the in vivo 

topography of complex biological systems offers several critical advantages, leading to results that can 

closely resemble in vivo observations. Our microfluidic platform demonstrated a solid proof of concept 

and needs validation by testing other (bio)materials. In particular, the chips are highly versatile and can 

be adapted to test a range of blood-contacting coatings with different properties (e.g., degradability, 

tunable thickness) upon exposure to different flow dynamic conditions. This will contribute to identify 

optimal strategies for the future development of DES.  

 To better understand how stenting influenced intravascular hemodynamics, the intravascular 

flow conditions are often predicted by CFD. It would be of value to employ CFD simulations to 

reproduce human blood as particulate within the proposed fused silica-based microfluidic devices. Our 

data could serve as input conditions to the CFD models to create models that can predict polymer 

degradation and/or drug release kinetics after DES implantation. Experimental measurement and 

computational simulations could complement each other to provide new insights into the properties of 

novel drug-eluting coatings. This would help to predict the behavior of drug-eluting stent coatings with 

any design at any condition using computational methods.  

 For the foreseeable future, metallic alloys will remain the material of choice for coronary stents 

due to the benefits of radial strength, deformation characteristics, and radio-opacity, as described in 

Chapter 1. Polymers on stents are usually applied using spray or dip coating technology. An innovative 

system that could be investigated in order to produce DES coatings is electrospraying. This 

electrodynamic approach allows the production of micro- or nanoparticles in the ground electrode by 

spraying a polymer solution in an electric field at high voltage. As the solvent(s) evaporate during the 

spraying process, droplets of the polymer solution are created. To date, very few studies have been 

published in the literature on coating biomedical implants with electosprayed particles. Ongoing 
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experiments focus on producing and characterizing zein-based particles on SS substrates. Since 

implantation-associated infections are one of the most commonly encountered complications leading to 

a long healing process and even implant failure, future work will concern the incorporation of 

antimicrobial agents to prevent the formation and growth of biofilm on DES surface and the 

development of infectious diseases. 
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