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[bookmark: _Toc447348672]ABSTRACT
Developing a Layer-by-Layer coating to make materials angiogenic for urological applications

Abstract
Tissue engineered constructs often fail due to poor integration with the patient’s tissues. Specifically, they fail to be vascularised, leading to the death and loss of the implanted tissues. Thus, there is a need to produce angiogenic materials to improve tissue integration. We describe the development of a layer-by-layer (LBL) approach to coat electrospun scaffolds to help promote angiogenesis into these biomaterials once implanted.  Initially, Electrospun poly-L-lactic acid (PLLA) was coated comparing two different techniques – one using alternative layers of PolyEthyleneImine (PEI) and PolyAcrylic Acid (PAC) and one with alternative layers of PEI and heparin (HEP) for a total of seven layers in both cases. Both scaffolds were then coated with heparin as the final layer. The scaffold coated with alternate PEI and PAC showed a clear ability to bind the most heparin.  This scaffold was then studied further for its ability to bind VEGF which was confirmed using an ELISA. The scaffold coated with 7 alternate layers of PEI and PAC and heparin was then implanted in a chick chorionic allantoic membrane (CAM) assay.  After a period of 7 days in the CAM, the coated scaffold showed strong angiogenic activity.  In contrast, the uncoated scaffolds did not promote angiogenesis.  Sub sequentially, this approach was used to coat two other different materials, electrospun polyurethane and a commercially available polypropylene mesh. They were also implanted into the chick CAM. We conclude that this approach to functionalising scaffolds is effective within a clinically relevant time period (7 days in an in vivo angiogenic model) and suggest this will be useful for improving integration of scaffolds once implanted.  

Key words: PLLA – electrospinning - plasma polymerization – Layer-by-Layer – Heparin – VEGF – ELISA – chick CAM




1. [bookmark: _Toc447348673]Chapter 1 – Introduction
The clinical experience in reconstruction of the pelvic floor suggests that both synthetic and biological materials can provide successful outcomes when used in the surgical management of pelvic floor disorders. However, it has become clear that the complication rate with polypropylene meshes is significant and is now deemed unacceptable.  Both the host response and the mechanical properties of the materials need to be taken into consideration to predict success of the implants, in addition their response to dynamic loading.  There has clearly been a lack of adequate pre-clinical evaluation with polypropylene mesh and we suggest several steps which may make the development for new materials an altogether safer endeavour. Ultimately to develop new effective and safe materials there is need for a multidisciplinary approach that combines the efforts of those working in regenerative medicine, biomaterials and surgery. This study is a first step toward new materials deveopments.







1.1. [bookmark: _Toc447348674] Anatomy of the Female Pelvic Floor
In simple terms, the pelvic floor is composed of muscles and connective tissues that keep the female visceral organs in place (Figure 1).
[image: ]
[bookmark: _Ref433888732][bookmark: _Ref433888690][bookmark: _Toc433909339]Figure 1. Cartoon of the female lower abdomen, picturing the role of the pelvic floor (Picture taken from http://www.continence.org.au/pages/about-your-bladder.html.
However, the pelvic floor is a complex structure formed of various layers of muscles and connective tissue, attached to the pelvic bones in various directions to support the internal organs in the most appropriate way (Herschorn 2004) (Figure 2). 
[image: ]
[bookmark: _Ref433888861][bookmark: _Toc433909340]Figure 2. Detailed cartoon of the pelvic floor, picturing the various components present (cartoon taken from http://jessicarealept.com/2015/07/09/pelvic-floor-pain-athletes/  )

The pelvic floor is formed of three muscle layers: superficial perineal layer, deep urogenital diaphragm layer and pelvic diaphragm. The superficial perineal layer mainly supports the uterus and the vagina, the deep urogenital diaphragm supports the urethra and the anus and the pelvic is the muscle that divides the pelvic cavity and the peritoneal area (Ashton-Miller & Delancey 2007) (Figure 3) . 

[image: ]
[bookmark: _Ref433890680][bookmark: _Toc433909341]Figure 3. Diagram of the Pelvic Floor (Ashton-Miller and Delancey, 2007).

As previously mentioned, the pelvic floor is mainly made of connective tissue and layers of smooth muscle that give fibromuscular support. Therefore, the composition of these tissues is crucial for their function. The balance between fibroblasts, fibrillary elements, such as collagen and elastin, and non-fibrillar components such as proteins and proteoglycans, within the extracellular matrix is crucial for the pelvic floor function. Thus, pelvic floor function is mainly based on the remodelling of the connective tissue which has a primarily a supportive role (Goh 2003).
1.1. [bookmark: _Toc447348675] Function of the Female Pelvic Floor

The female pelvic floor supports pelvic and abdominal organs during any increases in abdominal pressure. These muscles keep the abdominal organs in place and they control the fluctuations of the abdominal pressure due to various factors such as exercise, excretory functions and childbirth. 
The support of the Pelvic floor  depends on its attachment to the pelvis thanks to the supportive tendons . When the pelvic floor is healthy, muscles elongate so they can deal with the abdominal pressure, keeping the tendons under minimal stress. However, when muscles relax or they are damaged, the tendons have to hold the abdominal pressure, and they can do so only for a short period of time. If they are under constant strain, due to the constant lack of muscle support, they will get damaged in the long run. Therefore, problems in either the muscle tone or the tendons might result in pelvic floor dysfunction (Ashton-Miller and Delancey, 2007). 
1.2. [bookmark: _Toc447348676]Causes of Pelvic Floor Dysfunctions
Pelvic floor dysfunctions can be caused by damage to the muscles or supporting ligaments due to many causes. Below there is a list of few common causes for pelvic floor weakening or damage, leading to dysfunction. 
Childbirth has been recognized as the major factor to cause pelvic floor dysfunction. Vaginal birth can often be hurtful on the pelvic floor, resulting in tears of the pelvic floor muscles and fascia, due to excessive stretching (Samuelsson et al. 1999). 
Also age at birth of the first child (Samuelsson et al. 1999; Glazener et al. 2013), BMI and baby’s weight are factors that might cause pelvis strain and damage (Gyhagen et al. 2013a; Gyhagen et al. 2013b; Gyhagen et al. 2013c).  
Moreover family history and genetic predisposition have been shown  to be factors predicting pelvic floor dysfunctions (Milsom et al., 2013). Aging can also affect the pelvic floor muscle strength, which is also an indicator of future dysfunctions (Samuelsson et al. 1999; Milsom et al. 2013). 
Other causes include pelvic girdle pain. During pregnancy, the pelvis might lose stability and alignment, causing pain. To  compensate, the pelvic floor will become overexcited to try and restore stability, causing pelvic floor dysfunction. Life style can also put strain on the pelvic floor, such as poor posture or heavy work might lead to build up in tension, as result of the pelvis not aligned correctly with the rest of the body (Slieker-ten Hove et al. 2009). Chronic constipation can also weaken the pelvic floor and strain the organs due to the prolonged bearing of faeces. Overactive pelvic floor conditions can also strain the pelvic floor causing weakening. These are disorders where the pelvic floor muscles are held chronically tight and voluntary movement is difficult. Examples include excessive tension of vaginal or anal muscles and tension of the muscles involved in defecation (Gyhagen et al. 2013c; Milsom et al. 2013).

1.3. [bookmark: _Toc447348677]Pelvic Floor dysfunctions that might require reconstruction
Pelvic floor reconstruction might be needed when the pelvic floor loses its mechanical properties severely and therefore its function. Major scenarios when pelvic floor reconstruction is needed are Pelvic Organ Prolapse (POP) and Stress Urinary Incontinence (SUI). 
POP occurs when the female pelvic organs including vagina (vaginal vault prolapse), bladder (cystocele), uterus (uterine prolapse), rectum (rectocele) and bowel (enterocele), fall away from their position, dropping into the tissues underneath.  This displacement might cause morbidities such as SUI and discomfort (Cannon et al., 2005, Hunskaar, 2005). 
1.4. [bookmark: _Toc447348678]Non-surgical approaches to pelvic floor dysfunction
Methods to treat POP and SUI can be surgical and non-surgical. Non-surgical approaches include pelvic floor exercises, the use of pessaries and hormone therapy.
Pelvic floor exercises are useful means to increase pelvic floor tonicity only in the low percentage of cases where the pelvic muscles are still functioning. Although it requires  specialist physiotherapy training and it might vary according to lifestyles, it is still recommended for many patients as it results in improved pelvic floor function (Hagen et al. 2006; Hagen et al. 2009; Moen et al. 2009).
Pessaries can also be used when excretory functions have been compromised due to weakening of the pelvic floor. They are placed intra-vaginally and they provide structural support to the vagina. Their shape is often circular, and they can be bent with increasing in abdominal pressure and the position of the woman  (Pott-Grinstein & Newcomer 2001; Handa & Jones 2002).      
Hormones such as oestrogen are also prescribed to women affected by pelvic floor dysfunctions. It has been shown that oestrogen receptors are expressed in the vagina, levator ani muscle, ligaments and fascia. Increasing concentration of oestrogen should stimulate the pelvic floor to remodel by increasing collagen I and III production. Initially, Falconel hypothesized that connective tissue in the pelvic floor underwent aging and weakened as for any other tissues in the body. They therefore tested oestrogen replacement therapy in patients in menopause. They found that after oestrogen replacement therapy, patients developed pre-menopausal connective tissue composition, with more proteoglycans and less cross-linking. 
These findings have been confirmed in animal models  in more recent studies (Falconel et al. 1996; Clark et al. 2005; Vardy et al. 2005; Rizk et al. 2008). 
1.5. [bookmark: _Toc447348679]Surgical approaches to pelvic floor dysfunction 
However, following failure of conservative management including physiotherapy, pessaries and hormone replacement therapy, corrective surgery is considered to be the most effective and durable treatment for both SUI and POP. Studies show that surgery involving prostheses resulted in longer lasting solutions than any other methods, although additional data is needed to quantify improvement in quality of life (Maher et al. 2010). It is reported that an estimated  almost 226000 women a year had surgery for POP in the USA (Brown et al. 2002). Currently, the probability of necessitating POP surgery above the age of 80 is around 11%, and 29% to 40% of women who have surgery undergo further surgeries within 3 years after the first operation (Olsen et al. 1997; Clark et al. 2003; Bogusiewicz et al. 2006). 
Recent studies have also shown that women of various ethnic backgrounds are also equally affected by POP (Walker & Gunasekera 2011). Moreover, as a result of an ageing population, the global demand for pelvic floor treatments will significantly increase in the next three decades (Luber et al. 2001). 
Most of older surgical techniques relied upon suturing the local tissues to the back of the pubic bone (colposuspension) or using an autologous fascial sling. More recently, there has been a growing trend to reinforce repairs using both synthetic and biological materials.  The use of synthetic mesh made from polypropylene was adapted from hernia surgery where there is established evidence that repairs reinforced with synthetic mesh provide superior outcomes (Gigliobianco, Regueros, et al. 2015). 
The most common surgical procedures to repair the pelvic floor are:
· Anterior vaginal wall repair: materials are used to re-inforce the connective tissue/ fascia - around the vagina.  
· Upper vaginal repair: usually in case of uterine prolapse, materials are used to restore the function of the uterosacral ligaments. This often happens in women in menopause, and the surgical treatment consists of a hysterectomy (i.e. removal of the uterus), and lifting of the remaining vagina to the sacral bone. 
· Posterior vaginal wall repair: materials are used to support the posterior part of the pelvic floor, usually lifting the colon that has prolapsed. 
1.6. [bookmark: _Toc447348680]Materials used for pelvic floor reconstruction 
Materials for pelvic floor reconstruction are various, such as autografts, allografts, xenografts and synthetic meshes (Birch, 2005, Deprest et al., 2005, Amrute and Badlani, 2006, Huebner et al., 2006, Herschorn, 2007, Wu, 2008, Lousquy et al., 2009). The choice of the material will depend on the type of procedure but mostly on the surgeon’s choice.
1.6.1. [bookmark: _Toc447348681]Autografts
The most commonly used material, autologous fascia, has been used for over 100 years in the treatment of SUI with good efficacy.  Autologous grafts are pieces of connective tissue harvested from the patient herself. Autologous grafts are harvested from the rectus fascia or the fascia lata around the thighs. Fascia is the connective tissue that wraps the muscles and it is mainly made of aligned collagen fibres that give strength to the tissue. 
Fascia has long been used in pelvic floor reconstruction as it has a high percentage of success. A major advantage of autografts over synthetic materials is that erosion is almost unheard of (Golomb et al., 2001). In this thesis the term ‘Erosion’ is meant as the gradual destruction of soft tissue around the material. The main drawback however is the need to harvest the graft from a donor site (fascia lata from the thigh, or rectus fascia from the abdominal wall) and potential morbidity (e.g. wound infection, scar, nerve injury, hernia) (Birch & Fynes 2002). There is a limitation on how much graft can be harvested which precludes its use in POP which is associated with relatively large fascial defects. Another possible disadvantage to using autografts is that the connective tissues of patients with SUI and POP may be inherently weak pre-disposing to failure. Nevertheless, the overall long term outcomes with autografts are largely excellent with reported rates of cure generally over 90% (Morgan et al., 2000, Latini et al., 2004). 
1.6.2. [bookmark: _Toc447348682]Allografts
Allografts are grafts donated from another human being. Allografts used in pelvic floor reconstruction usually consist of fascia.  The donors are screened for infectious diseases before the grafts undergo cleaning, freeze drying and gamma irradiation to eradicate any infective or immunogenic material.  A  concern with these grafts is that they are often donated by the elderly who have an age related weakening of connective tissues (Moalli, 2006). Additionally, processing techniques such as freeze drying and solvent dehydration may also reduce their tensile strength (Lemer et al., 1999). Cadaveric grafts are advantageous in that they avoid donor site complications. In terms of efficacy, results are mixed. Some have shown cadaveric fascia to demonstrate similar subjective cure rates to autologous fascia at around 90% at 2 years (McBride et al., 2005).  
However, others have shown that on urodynamic testing 42% of cadaveric graft patients had SUI whereas no patients with autologous grafts had SUI (Howden et al., 2006).    
1.6.3. [bookmark: _Toc447348683]Xenografts
Lack of autograft or allograft availability can be avoided by using grafts derived from animal derived collagenous tissues (e.g. porcine dermis, porcine small intestine and bovine dermis), called xenografts. However, these materials require extensive processing: decellularisation, sterilization, and cross-linking processes to resist degradation (Freytes et al. 2005).  While this renders materials non-immunogenic, it can impact upon their biomechanical properties (Vangsness et al. 2003).  There is also the risk of viral or, with bovine tissues, prion transmission (Birch & Fynes 2002).  
Clinical studies are limited, however clinical experience is that all of the materials appear to be associated with graft failure in the medium term due to the body’s response to the material, leading to its encapsulation and subsequent degradation with limited remodeling. 
A number of grafts from animals, mainly porcine and bovine, have been used in pelvic floor surgery. Commercially available products include porcine dermis (Stryker, Airmed Biologics and CorMarix, USA- emcm, Europe) and small intestine submucosa (Cook biotech and RT Biologics, USA). These materials undergo extensive processing to be decellularised and to render them non-immunogenic.  Additionally, there are FDA regulations on animal source and vaccination status which must be complied with (Amrute and Badlani, 2009). An advantage is that additional steps might be added to improve graft’s quality. 
For example, porcine dermis may be artificially cross-linked using hexamethylene-di-isocyanate to make it more resistant to enzymatic digestion (Winters, 2006). Clinical studies showed lower continence rates for porcine dermis (approx. 80%) and increased re-operation than for synthetic tape or autologous fascia (Lucas M, 2004). Porcine small intestine submucosa (SIS) has shown cure rates from 79 to 93% at 2 and 4 year follow up respectively (Jones et al., 2005, Rutner et al., 2003) (Figure 4). However, one study has raised concerns that SIS may not be strictly acellular and may contain porcine DNA (Zheng et al., 2005).
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[bookmark: _Ref433891032][bookmark: _Toc433909342]Figure 4. Porcine Small Intestine Submucosa after processing and decellularization (Badylak 2002)
1.6.4. [bookmark: _Toc447348684]Synthetic materials
Meshes for urological applications were adapted from meshes used in hernia repair where they were firstly introduced in 1960 (Usher et al. 1960). After many years of synthetic meshes being used for hernia repair, they started being used for uro-gynocological applications. 
Synthetic meshes were popularized in pelvic floor surgery for SUI following the work of Ulmsten and Petros (Ulmsten & Petros 1995). The mid-urethral tape (MUT) involved a minimally invasive approach to implant a thin synthetic mesh underneath the mid-urethral point.   Early reports of cure rates in the range of 80-90% further propelled the uptake of this technology. Following the early success of MUT and a randomized control trial against colposuspension, synthetic mesh for SUI was soon introduced (Ward 2002). Ward et al (2002) study, demonstrated a 4% of the implanted meshes were exposed. This meant that they were visible after implantation, due to damaged tissue around the material.  Subsequently, mesh was introduced for the treatment of pelvic organ prolapse (POP) and this has resulted in a significant problem with mesh exposure which has led to enormous medico-legal problems, particularly in the United States of America(Division of Small Manufacturers 2011) .   
However, synthetic meshes are still the surgeons’ preferred choice, and the most common material used is still polypropylene, as there is a wide range of synthetic polypropylene meshes to choose from. The most common meshes are summarized in Table 1 where they are classified as Types 1, 2, 3 or 4 according to their porosity, where 1 is macroporous (>75 µm), 2 is less than 10µm, 3 is microporous with microporous compartments and 4 is nanoporous (<1µm) (Birch 2005; Deprest et al. 2005).  These materials offer several advantages including no risk of infectious diseases, readily availability, as well as the sustainable tensile strength due to their non-degradable nature (Gomelsky and Dmochowski, 2007). The initial clinical experience with a mid-type II (microporous/multifilament fibers e.g. expanded PTFE), and III (macroporous and microporous/multifilament fibers e.g. Mersilene) meshes was poor with excision rates of up to 30% for expanded PTFE (Weinberger and Ostergard, 1996) and erosion rates of 17% for Mersilene (polyester) (Young et al., 2001).  
[bookmark: _Ref433891242][bookmark: _Ref433891227]Table 1. Classification of synthetic materials used in pelvic floor reconstruction
	Mesh Type
	Polymer 
	Trade name 
	Company 

	Type 1 = Macroporous 75< x >500µm 
	Monofilament 
	Polypropylene 
	Uretex® 
	CR Bard 

	
	
	
	
	

	
	
	
	GynecareTVT 
	Ethicon,Johnson&Johnson 

	
	
	
	Bard®Mesh 
	Bard/Davol 

	
	
	
	SPARCTM 
	American Medical Systems 

	
	
	
	In-FastTM 
	American Medical Systems 

	
	
	
	MonarcTM 
	American Medical Systems 

	
	
	
	Lynx® 
	Boston Scientific 

	
	
	
	Advantage® 
	Boston Scientific 

	
	
	
	obtryx® 
	Boston Scientific 

	
	
	
	Optilene® 
	B.  Braun 

	
	
	
	ArisTM 
	Mentor Corp 

	
	
	
	PerigeeTM 
	American Medical Systems 

	
	
	
	Parietene 
	Covidien 

	
	
	
	Intepro® 
	American Medical Systems 

	
	
	
	Gynecare Prolift® 
	Ethicon,Johnson&Johnson 

	
	
	
	SurgiproTM 
	Covidien 

	
	
	
	Prolene® 
	Ethicon,Johnson&Johnson 

	
	
	
	Prolene® Soft 
	Ethicon,Johnson&Johnson 

	
	
	
	GynemeshPS 
	Ethicon,Johnson&Johnson 

	
	
	
	Atrium 
	Atrium Medical 

	
	
	
	Marlex® 
	CR Bard 

	
	Multifilament 
	Copolymer ofglycolide(90%) andlactide(10%) 
	Vicryl® 
	Ethicon,Johnson&Johnson 

	
	
	
	Vypro® 
	Ethicon,Johnson&Johnson 

	
	
	Polypropylene and Polyglecaprone 
	UltraPro® 
	Ethicon,Johnson&Johnson 

	
	
	Poly Glycolic Acid 
	Dexon® 
	Davis andGeck 

	Macroporous =  1µm<  x>10 µm 
	Multifilament 
	Expanded PTFF 
	GoreTex® 
	W.L Gore 

	
	
	
	
	

	
	
	Poly EthyleneTerephtalate 
	Mersuture 
	Ethicon,Johnson&Johnson 

	Macroporouswith microporous components = 0.1 µm<  x>< 10 µm 
	Multifilament 
	PTFE 
	Teflon® 
	C.R.  Bard 

	
	
	Poly EthyleneTerephtalate 
	Mersilene® 
	Ethicon,Johnson&Johnson 

	
	
	Polypropylene 
	IVSTunnellerTM 
	Tyco Healthcare 

	
	
	Woven polyester 
	Protegen 
	Boston Scientific 

	Nanoporous = < 1 µm 
	Multifilament 
	Silicon-Coated Polyester 
	Intemesh® 
	American Medical Systems 

	
	
	
	
	

	
	
	Dura Mater substitute 
	PRECLUDE® MVP® Dura substitute 
	W.L.  Gore 

	
	
	Expanded PTFE, pericardialmembrane substitute 
	PRECLUDE® Pericardial Membrane 
	W.L.  Gore 



Since then, a range of designs have been introduced to improve the host response to polypropylene meshes. 
A greater pore size is thought to be advantageous as it allows the admittance of immune cells and greater collagen ingrowth into the construct (Birch and Fynes, 2002).  This is thought to reduce the risk of mesh infection and accelerate and enhance host tissue integration. In addition to pores size, the nature of the mesh influences cell responses. Monofilament meshes are thought to reduce risk of infection in comparison with multifilament meshes.  The theoretical concern with the latter is that bacteria may colonize the sub 10μm spaces between fibres which are inaccessible for the larger host immune cells (9-20μm) (Winters et al., 2006).   Today a mid-type I polypropylene mesh that is macroporous and monofilament is most commonly used (Slack et al., 2006) with cure rates for SUI of > 90% at 5 years (Figure 5). 
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[bookmark: _Ref433891338][bookmark: _Ref433891327][bookmark: _Toc433909343]Figure 5. Example of a commonly used monofilament macroporous knitted polypropylene mesh (Gynemesh, Ethicon, J&J, USA).


1.7. [bookmark: _Toc447348685]Limitations of current materials 
 Generally, synthetic meshes last a lifetime with no complications. However, a small percentage (about 10%) of cases do not succeed and they will eventually fail, generating erosion and mesh contraction (Falagas et al., 2007, Gomelsky et al., 2011). 
The past two decades have seen a rapid rise in reports of mesh for POP related complications. Thus reports of debilitating complications of vaginal mesh implantation have emerged including vaginal wall erosion (0-25.6%) chronic pain (0-5.5%) and sexual problems (1.9-17%). Although it can be debated whether these rates are high, the complications are often difficult to treat, requiring further hospital visits, tests and further reconstructive surgery. 
The situation has not escaped the attention of medical regulatory bodies such as the FDA who have issued statements warning patients and surgeons of the potential dangers of mesh use for pelvic floor reconstruction (Schultz 2008b) .  More recently there has been a wave of class action litigation law suits raised against device manufacturers by patients who have suffered mesh complications, such that several major manufacturers have withdrawn products from the market (Colaco et al. 2014; Schultz 2008a). Since this time, a new focus has been given to develop novel materials for pelvic floor reconstruction. 
However, little attention was given to the causes of failure of the implants. There are not many studies investigating reasons for failure but with colleagues in the Macneil and Chapple groups, I undertook  a recent review of this area (Gigliobianco, Regueros, et al. 2015).  Materials for pelvic floor reconstruction were reviewed for their mechanical and biocompatibility properties. 
We concluded that failure of the implants might be caused by one of several mechanisms, according to the nature of the implant materials such as mechanical failure straight after implantation, enzymatic degradation of the material causing mechanical degradation or a chronic inflammatory response causing erosion of the grafts (Gigliobianco, Regueros, et al. 2015). 
It is likely that biomaterials are subject to multifactorial problems because of (1) their physical properties (e.g. porosity and degradability) (2) their mechanical properties (e.g. stiffness, strength) or (3) the nature of the patient’s immune response to the implanted biomaterials. In addition, surgical and patient specific factors (e.g. individual anatomy, comorbidities) are likely to play a role, though these are not modifiable by material design. 
To provide a simple context, Figure 6 depicts the current hypotheses of how failures of implants might occur through several routes in cartoon form, where the implanted material is shown conceptually as a hammock attached to two trees (the supporting structures of the pelvic floor). 
A
B
C
D

[bookmark: _Ref433891845][bookmark: _Toc433909344]Figure 6. Cartoon of mechanisms of failure of urological materials: a) mechanical failure, b) material recognized as non-self and destroyed by body tissues with encapsulation, c) exposure (erosion), d) optimal result for implanted material (Gigliobianco, Regueros, et al. 2015).
In the case of a successful implantation, it is currently thought that the material induces an acute inflammatory response, which leads to constructive remodeling and material integration (Fig.6d). That is the final goal of materials for pelvic floor reconstruction. This is the aim of the material of the future. 

1.8. [bookmark: _Toc447348686]The material of the future
Latest developments in materials for soft tissue regeneration, like the pelvic floor, include composites materials where the core is non-degradable and the outside is degradable and cell friendly (Faulk et al. 2014; Wolf et al. 2014) or it might be a mixture of non-degradable and degradable polymers such as Vicryl®, Vypro® and UltraPro®.  
Recently, experimental studies suggest the use of coated commercially available materials with cell friendly polymers (Faulk et al. 2014; Wolf et al. 2014) or tissue engineered prostheses to reconstruct the pelvic floor (De Filippo et al., 2003, Cannon et al., 2005, Hung et al., 2010). Tissue engineered prostheses are particularly appealing as they are versatile and they incorporate an active component within the material. Tissue engineered prostheses used experimentally consist of biodegradable polymer scaffolds that are able to support autologous cell growth. These devices (i.e. the scaffolds/mesh) along with an active component (i.e. autologous cells/active molecule) are implanted into the host. Recent results have found a progressive reduction of inflammation response proportional to new tissue formation after implantation of the tissue-engineered prosthesis (Hung et al., 2010). Also, incorporation of cells into the device is very important, as it might affect the functionality of the device. It has been shown that autologous muscle cells can be largely increased in number and seeded on SIS or on PolyGlycolic Acid scaffolds. They are able to maintain contractile activity and polar orientation, creating self-organized structures after implantation (De Filippo et al., 2003, Cannon et al., 2005). Several studies have confirmed that ECM production and the cellular behaviour are influenced by the materials. Composition, structure, mechanical and physical properties of the surrounding environment were shown to influence cell phenotype, genotype and behaviour (Petreaca and Martins-Green, 2011). Thus, recent focus was given to approaches to influence cell behaviour once implanted, from manufacturing techniques to incorporation of active molecules. 
1.9. [bookmark: _Toc447348687] Manufacturing techniques
As previously mentioned, the most common meshes for pelvic floor reconstruction are the synthetic ones as polymers are extremely versatile materials and they can be manufactured according to the wanted properties and features. However, there has been little exploration of manufacturing procedures for urological meshes because they have been used for long time for hernia repair. Meshes are usually packed into kits, to make them more easily used by surgeons, reducing operation time and overall costs.   
1.9.1. [bookmark: _Toc447348688]Current approaches: Knitting and Weaving 
Meshes for urological application are mainly made via knitting or weaving filaments of the polymer into a mesh (Chen et al. 2007). Filaments can vary in diameter and the knit can create small or large pores ( from macroporous: > 75 µm to nanoporous: < 1µm) (Chen et al. 2007) (Figure 7 & Figure 8).
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[bookmark: _Ref433892053][bookmark: _Toc433909345]Figure 7. Different types of weaves for urological meshes (Chen et al. 2007)
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[bookmark: _Ref433892055][bookmark: _Toc433909346]Figure 8. Different types of knit for urological meshes (Chen et al. 2007)

However, knitting or weaving limits the possibility of producing a matrix similar to the extracellular matrix of the body. Therefore, it is worth having a look at other manufacturing techniques that are more versatile to work with. Electrospun materials have been proven to be versatile and they can be manufactured in a variety of polymers and arrangements. 
1.9.2. [bookmark: _Toc447348689]Future approaches: Electrospinning
Electrospinning can be used to produce non-woven materials for many applications. 
Recently, electrospinning has been used for medical applications since a variety of polymers can be used (Blackwood et al. 2008). Electrospinning is used to manufacture scaffolds using electrostatic forces to assemble fibres and/or particles from an electrically charged solution. This technique is highly adaptable because materials and processing conditions can be finely tuned to control the direction and sizes of the electrospun fibres and the overall porosity (). Moreover, it is possible to incorporate other materials, such as active molecules or other polymers into the mat for use in drug delivery or to improve the mechanical properties of the final material (Shah et al. 2011). 
Electrospinning has been investigated for medical applications in a variety of fields such as cardiovascular (Bergmeister et al. 2012; H. Liu et al. 2011; Ju et al. 2010; Nseir et al. 2013; Tillman et al. 2009; Mrówczyński et al. 2014), cartilage  (McCullen et al. 2012; Fisher et al. 2013), bone (Nie et al. 2008; Jose et al. 2010; Park et al. 2012; Su et al. 2012; H. Liu et al. 2013; Chae et al. 2013; Lu et al. 2013) and peripheral nerve repair (Chew et al. 2007; Xie, Macewan, et al. 2009; Xie, Willerth, et al. 2009; Gupta et al. 2009; Prabhakaran et al. 2009; J.-J. Liu et al. 2011; Leach et al. 2011; Masaeli et al. 2013).
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Figure 9. SEM picture of an electrospun PLLA 3D structure.
1.10. [bookmark: _Toc447348690] Synthetic polymers currently electrospun for soft tissue engineering
The majority of the polymers currently investigated for soft tissue engineering are biodegradable: they would induce tissue regeneration but then they would degrade over time. 
Biodegradable polymers are absorbed by the body and they encourage fibroblast activity leading to long lasting fibrosis. Macrophages slowly degrade the polymer, and the material is replaced with new fibrotic tissue (Cosson et al. 2003). Many of these polymers are FDA approved and already used clinically for other applications, such as degradable sutures, so the route to the clinic can be more straightforward. The most investigated electrospun polymers for soft tissue engineering are PolyCaproLactone (PCL), PolyGlycolic Acid (PGA) and PolyLactic Acid (PLA) due to their mechanical properties, degradability profile and versatility in manufacturing. 
1.10.1. [bookmark: _Toc447348691]Polycaprolactone 
PCL is a hydrophobic and semi-crystalline polymer, the higher the molecular weight, the lower the crystallinity. It can be easily dissolved in a wide range of solvents, it has a low melting point (59–64 ◦C) and it can easily be blended with other polymers or molecules (Chandra & Rustgi 1998; Coulembier et al. 2006). PCL degradation is considered slow as it usually degrades in 3-4 years, although its degradation kinetics can be tuned by mixing it with other polymers or changing the surface chemistry. PCL fibres can also be tuned by changing the electrospinning setting. In addition to these preferable properties, PCL is also FDA approved and CE mark registered, that would result in a faster route to market. For these reasons, PCL is still very popular in research for its potential biomedical applications (Woodruff & Hutmacher 2010).
1.10.2. [bookmark: _Toc447348692]Poly Glycolic Acid 
Polyglycolic acid (PGA) is a biodegradable polyester that is also FDA approved as it is already in use for resorbable sutures and meshes. PGA is considered a fast degrading polymer and it undergoes plastic deformation and failure when exposed to long-term cyclic strain. Therefore, it is often mixed with other polymers to alter the properties to be suited for a range of applications. PGA is often added to polymers such as PCL and PLLA to increase their degradation rate. Additionally, PGA, as it undergoes plastic deformation, might be mixed with more elastic materials (Valentine Kanyanta, Alojz Ivankovic 2013).  Recent examples of studies where PGA was mixed or grafted with other polymers can be found in appendix I (C. D. Easton et al. 2014; Farokhi et al. 2014; Farokhi et al. 2013; Xie et al. 2013; Xu et al. 2013; DeVolder et al. 2011).

1.10.3. [bookmark: _Toc447348693]PolyLactic Acid
PLLA is also a biodegradable polyester approved by the FDA (Coulembier et al. 2006). PLLA degrades by hydrolysis and its degradation rate is considered medium as it almost totally degrades about 12 months after implantation (Leerslag et al. 1987). It has been extensively investigated for its versatility  for soft tissue engineering. Particularly, it has been used for electrospinning because by tuning the electrospinning parameters, a wide range of materials can be produced (. Blackwood et al. 2008) ). Various studies have investigated electrospun PLLA for its suitability to be an angiogenic material. It has been also mixed with PGA to produce better materials. Due to its porosity and surface chemistry, it has been shown that PLLA successfully supports angiogenesis (Eghtesad & Nurminskaya 2013; Huang et al. 2013).
1.10.4. [bookmark: _Toc447348694]Polyurethanes 
Polyurethanes are also used for biomedical applications. They were firstly introduced as non-degradable materials in 1960 for cardiovascular applications (Lelah & Cooper 1986).  
Polyurethanes can be divided into polyesters and polyethers, depending on the functional groups of the chain extender used to make the polymer. Polyesters are more susceptible to hydrolysis, more hydrophilic with low crystallinity and low melting point compared to polyether polyurethanes. Their chemical structure can be finely tuned by changing the raw materials used for their polymerization (Stokes & McVenes 1995).  Polyurethanes are now being investigated for a range of medical applications due to their tuneable physical and mechanical properties. Recent studies have focussed on the use of  polyurethanes for cardiovascular, musco-skeletal and nerve regeneration (Guelcher 2008). 
1.11. [bookmark: _Toc447348695]The biggest hurdle after implantation: Angiogenesis 
The choice of materials based on physical and mechanical properties has been discussed extensively. However, when the material is implanted into a human being, it has to face host’s fluids, cells and immune system. The material will need to be able to overcome the immune system reaction and induce tissue remodelling. 
In case of tissue engineered prostheses (i.e. prostheses that include a material and cells) or degradable materials, the most important factor for the survival of the prosthesis is the formation of blood vessels into and around the prosthesis to ensure survival of the new regenerated tissue.             
The slow development of new blood vessels after clinical implantation of tissue engineered constructs is a limiting factor for the initial integration of any 3D tissue constructs (Lovett et al. 2009; Naderi et al. 2011). This is because the thickness of the graft limits gas diffusion; if the scaffold thickness is  more than 2 mm, the graft will require blood vessels for its survival (Zandonella 2003). 
In pelvic floor reconstruction, angiogenesis is particularly relevant as the presence of blood vessels in the weakened area would bring cells and nutrients needed for the regeneration of the weakened tissue.
Angiogenesis is described as the formation of new blood vessels from existing ones (Hertig 1935). The angiogenesis cascade is usually triggered by an angiogenic stimulus, such as growth factors or change in oxygen concentration. Initially, the basement membrane is disrupted, then endothelial cells migrate towards the angiogenic stimulus and they organise themselves in that direction. Ultimately, endothelial cells proliferate enough to have enough cells to form the new vessel. These new vessels formed will bring nutrients and oxygen to the new part of the body that was previously without vasculature (Revised by Dew et al. 2015).
Angiogenesis was firstly studied in depth in the context of cancer biology because studies found that cancer, in order to survive within the host, would emanate angiogenic stimuli and induce formation of new blood vessels around it. This would result in a fresh supply of nutrients and oxygen to the tumour, ensuring its survival within the host (Norrby 2006).
This very same mechanism can be exploited by bioengineers to ensure the survival of the implanted material. Recently, the number of publications focussing on angiogenesis has increased, showing increasing efforts to develop materials that can induce blood vessel ingrowth. Approaches to introduce blood vessels in tissue engineered prosthesis include in-vitro and in-vivo pre-vascularisation. In-vitro pre-vascularization often uses existing vasculature connected to a perfusion bioreactor in addition to culture endothelial cells. 
The flow of the bioreactor and the presence of a natural vasculature and endothelial cells create conditions for new blood vessels to sprout. In-vivo pre-vascularisation exploits the natural vasculature already present in animals. The construct is implanted in an area full of blood vessels, such as under the skin or around the omentum, for a period long enough for blood vessels to grow into the construct. This approach has been already tested to vascularise bladder, liver, myocardium and skin (Revised by Dew et al. 2015).    
However, pre-vascularization strategies require additional manipulation steps of the construct, complicating the route to the clinic and increasing costs. Other vascularization strategies often include the use of molecular mechanisms such as chemokines, extracellular matrix components and mechanical stimuli. Angiogenic biomaterials are often designed to regulate the release of growth factors and other bioactive molecules. Although many growth factors are responsible for blood vessel formation, it is believed that vascular endothelial growth factor (VEGF) alone is sufficient to promote angiogenesis (Lovett et al. 2009).  However, there are many ways to functionalise an electrospun scaffold to make it more angiogenic. Approaches include adding growth factors or bioactive molecules, either in the electrospinning solution or included in particles, tuning the porosity and the fibres size, adding angiogenic cells or binding active molecules on the surface of the electrospun scaffold (Sengupta et al. 2014).  
1.12. [bookmark: _Toc447348696]Strategies to make electrospun materials more angiogenic
MEDLINE was screened for recent articles that studied methods to modify electrospun biomaterials to induce angiogenesis. All these studies seem to agree on the need for an improved material that integrates better with the surrounding tissue, inducing angiogenesis. 
Three main approaches developed in the last five years to make electrospun scaffolds more angiogenic are microfabrication, cell seeding and incorporation of active molecules within the electrospun scaffolds. Microfabrication includes strategies to tune fibers diameter and  scaffold porosity by changing the electrospinning settings to make various 3D structures. Cell seeding with various cell types, from endothelial cells to mesenchymal stem cells, is thought to induce angiogenesis by seeding progenitor cells, stem cells or inflammatory cells onto the scaffold prior implantation. These cells, once implanted, can secrete chemokines and angiogenic factors to induce a response. Lastly, integration of bioactive molecules is the most popular approach so far, where studies have investigated integration of sulphate and non-sulphated sugars, growth factors and other bioactive molecules within the scaffold to induce angiogenesis. 
All these studies are summarised in a table in Appendix I. 
1.12.1. [bookmark: _Toc444447044][bookmark: _Toc447348697] Electrospinning to induce angiogenesis
Microfabrication is generally defined as the process of fabrication of miniature structures of micrometre scales and smaller. It is based on the principle of creating structures that mimic the in-vivo environment. 
In case of tissue engineering electrospun scaffolds, it refers to mimicking the in-vivo Extra Cellular Matrix (ECM) structure via electrospinning of synthetic or natural occurring polymers in nano- or micro- structure that are suited for specific applications. As ECM, synthetic electrospun scaffold should be able to:
· Guide cell growth
· Guide cell infiltration
· Guide cell differentiation
· Guide inflammatory response
· Recruit cells to the site on injury
· Promote healing and guide remodelling 
(Sengupta et al. 2014)
Due to the complexity of the human body and healing process, studies have started by looking at how the structure of electrospun scaffolds can affect the healing and angiogenesis. By tuning the electrospinning settings, it is possible to produce mats with different fibres diameters (from nanometres to micrometres) with small pores (5 µm) or big pores (300 µm). Also, laser ablation and fibre alignment can be used to increase scaffold porosity and thus enhance cell infiltration (Kurpinski et al. 2010; B. L.-P. Lee et al. 2012; Phipps et al. 2012).
Papers that have investigate microfabrication as tool to induce angiogenesis are summarised in Appendix I.    A study found that a scaffold, to be angiogenic have to be at least 25% porous and the pores have to be interconnected (Walthers et al. 2014). Also (Joshi et al. 2013) showed that laser-cutting pores in electrospun scaffolds of 300 µm induced more angiogenesis than 80 µm or 160 µm pores. Another study showed how an increase in porosity (fibre diameter of 3µm and pore diameter of 30 µm) induce a better macrophage response, where there was an increase in production of  VEGF, TGF-β1 and bFGF (Garg et al. 2013).  Another study showed how wet electrospinning can be used to produce highly porous mats that were infiltrated by blood vessels after 8 weeks implantation in rats (Yang et al. 2013).  Also a study of Rnjak-Kovacina showed that electrospun elastin scaffolds with high porosity had better in-vitro cell infiltration and in-vivo angiogenesis in a mouse after 6 weeks compared to low porosity scaffolds (Rnjak-Kovacina et al. 2011).  
In conclusion, a few recent studies have investigated how microfabrication can be used to induce angiogenesis. They all agree that a scaffold has to be highly porous to allow angiogenesis to occur, and that pore size have to be at least 30 µm, but greater values are preferable, according to applications. These studies also agreed that a reasonable size for electrospun fibers is 2-5 µm in diameter. This size allows cell attachment and infiltration reasonably well. 

1.12.2. [bookmark: _Toc447348698]Cell seeding to induce angiogenesis
Tissue engineering approach incorporates cells into a material in order to improve the outcome of the material once implanted (Vacanti & Langer 1999). Endothelial cells are usually preferred over other cell types for materials that need to be vascularised fast. This is because of their known phenotype and their role in forming blood vessels in-vivo, where they line the inside of blood vessels. 
Primary sources of endothelial cells are human dermal microvascular ECs (HDMECs), human umbilical vein ECs (HUVECs) and bovine aortic ECs (BAECs). However, they are quite difficult to isolate, they have a low proliferation rate and high maintenance costs (Yamamoto et al. 2014). Other groups have also tried to use endothelial progenitor cells as they can be easily isolated from a wide range of tissues: umbilical cord, peripheral blood, bone marrow-derived mononuclear cells and adipose tissue. Their differentiation can be confirmed by markers such as VonWillebrand factor, PECAM-1/CD31 and vascular endothelial cadherin (Fadini et al. 2012). It has been shown that progenitor cells promote migration into the damaged tissue, inducing an increase in capillaries in animals as they secrete chemotactic factors and cell-cell communication (Cottler-fox et al. 2003; Rafii & Lyden 2003; Yan et al. 2009). More recently, co-cultures of EPCs and other cell types such as smooth muscle cell, fibroblasts, adipocytes and osteocytes have been successfully tested to promote angiogenesis in-vivo (Chung et al. 2009; Hurley et al. 2010; Unger et al. 2010). However, these studies did not use electrospun scaffolds. 
 A few studies have been found that focus on cell seeding on electrospun scaffolds to help angiogenesis. One study tried a mixture of polymers to improve endothelial cells growth and sprouting. They electrospun a mixture of ethylene-co-acrylic acid, PCL, PEO, PEG, powdered milk and methyl cellulose. They then seeded endothelial cell spheroids and tested them for angiogenesis in-vitro. They found that the addition of powdered milk and methyl cellulose increased endothelial cells sprouting and the expression of angiogenic markers (Fu et al. 2014).
These studies are summarised in Appendix I. A study investigated how urine-derived stem cells seeded on electrospun PCL and gelatine improved wound healing in a full-thickness skin rabbit model and endothelial cells proliferation and tube formation in-vitro (Fu et al. 2014). In another study, they focused on electrospun tropoelastin seeded with ADSC. The scaffolds were then implanted in a full thickness model of immune-deficient rats for 6 days. H&E staining showed improved angiogenesis in scaffolds seeded with cells before implantation (Machula et al. 2014). The limited number of studies investigating cell seeding to induce angiogenesis in humans is probably due to the high regulatory hurdles for device approval if cells are included, although it has been shown the real improvement in angiogenesis and cell infiltration if cells were incorporated within the scaffold.
1.12.3. [bookmark: _Ref433888504][bookmark: _Toc447348699] Incorporation of active molecules to induce angiogenesis 
 Incorporation of active molecules is still the preferred approach, as more studies have been found mixing or bonding active molecules to scaffold to make them more angiogenic compared to cell seeding or manufacturing. It is an adaptable technique as it is possible to use various active molecules, from growth factors to sulphated polysaccharides, and they can be bound on the electrospun scaffolds either by mixing the molecule, either alone or in a carrier, with the solution to electrospin, or by binding molecules on the surface of the electrospun material, either covalently or electrostatically. Recent studies on active molecules incorporated into or onto electrospun scaffolds to induce angiogenesis are found in Appendix I. 
1.12.3.1. Molecules are blended into the polymer emulsion
The majority of the studies found were  mixing active molecules, either alone or in a carrier, with the polymer mixture to electrospin (Augustine et al. 2014; Rujitanaroj et al. 2014; Wu et al. 2014; Xie et al. 2013; Farokhi et al. 2013; H. Wang et al. 2013; Xu et al. 2013; He et al. 2012; Montero et al. 2012). Coaxial electrospinning is also a preferred way to incorporate molecules within the electrospun mat, where the main polymer solution is spun on one side, and the solution containing the active molecule either alone or in a carrier is spun at the same time, but on the other side with another syringe and pump (Huang et al. 2013; Zhang et al. 2013; Guo et al. 2012; Seyednejad et al. 2012; DeVolder et al. 2011; Liao & Leong 2011). Figure 10 shows the difference between regular electrospinning and co-axial electrospinning. This approach is appealing as it is adaptable to various substrates and not technically difficult. 
	Electrospinning
	[image: ]

	Co-axial electrospinning
	[image: ]


[bookmark: _Toc430855549]
[bookmark: _Ref433893842][bookmark: _Ref433894402][bookmark: _Toc433909348]Figure 10. Cartoon of regular electrospinning versus coaxial electrospining.

1.12.4. [bookmark: _Toc447348700]Surface modification using bioactive molecules
Although the idea of blending polymers and active molecules together for electrospinning is attractive due to its simplicity, the molecules might be entrapped within the fibres and they play a little role in the initial material-cells contact as soon as the prosthesis is implanted.  Therefore, surface modification techniques are more attractive as they allow modifying the surface of the polymer, which is the primary interface of contact for body fluid and cells (Chen et al. 2008; Rashidi et al. 2014).
As soon as the scaffold is implanted, it will encounter a protein-rich environment. Depending on the surface chemistry of the material, certain proteins will prefer to stick first on the surface rather than others. Therefore, surface modification techniques would give flexibility to improve cell-material interaction, without redesign the bulk properties of the materials.
 Surface modification techniques are many, and they either introduce new functional groups onto the surface or they aim to coat the surface with a thin layer of another polymer or molecule. It is possible to introduce new functional groups by surface hydrolysis, plasma etching or grafting. Techniques that allow the formation of a thin layer of polymer are plasma polymerization, layer-by-layer assembly or physical adsorption (Rashidi et al. 2014). They are summarised in Table 2.
[bookmark: _Ref433893901]Table 2. Summary of surface modification techniques (adapted from (Rashidi et al. 2014)).
	Covalent Grafting of peptides
	Covalently bind peptides on the surface of the material.
	(France et al. 1998; Melkoumian et al. 2010)

	Plasma polymerization of a thin polymer layer
	A polymer is plasma polymerised on the surface of the material to keep their functional groups.
	(Daw et al. 1998; France et al. 1998; Barry et al. 2006)

	Physical adsorption
	Scaffolds are immersed in a solution with the compound of interest that become adsorbed on the surface.
	(Yang et al. 2001; Quirk et al. 2001)

	Layer-by-Layer assembly
	The surface is firstly modified with a charged polymer. A polymer with the opposite charge is absorbed on top of it to create a multi-electrolyte structure on top of each other.  
	(Decher 1997; Zhu et al. 2003; Gong et al. 2007)


1.12.4.1. Molecules are covalently bound onto the scaffold
Few studies have investigated the efficacy of electrospun scaffolds if active molecules were covalently bound onto the surface of the fibres. These studies experimented with the surface chemistry of the electrospun mat in order to bind growth factors or polysaccharides that would bind growth factors (Zhang et al. 2014; J. Lee et al. 2012; Ekaputra et al. 2011; Kim et al. 2011). 
The choice to covalently bind an active molecule on the surface might depends on the release profile wanted for that specific molecule. As covalent bonding is strong, the molecule might release slowly and not be available straightaway at the time of implantation. It might also be that the molecule, because is covalently bound onto the substrate, it is not active in its bounded form (Hinrichs et al. 1997). 
As angiogenesis is crucial from the very first days of implantation, it is important that whatever molecule is on the scaffold to induce angiogenesis, would be readily available at the moment of implantation. This is why various other groups have investigated methods to electrostatically bind these molecules on the surface of electrospun scaffolds.  

1.12.4.2. Molecule are electrostatically adsorbed onto the scaffold
Molecules are electrostatically absorbed on a surface (i.e. they are attracted to each other by their opposite charge) and it might be an interesting alternative to blending molecules in the polymer mixture when a fast release is wanted, just straight after implantation. Studies investigating how to electrostatically absorb active molecules on scaffolds were many and they are summarised in Appendix I (Castan et al. 2014; Diaz-gomez et al. 2014; Farokhi et al. 2014; Wu et al. 2014; Zhang et al. 2014; Del Gaudio et al. 2013; C D Easton et al. 2014; Eghtesad & Nurminskaya 2013; Z. Wang et al. 2012). Thus, molecules can be bound electrostatically on substrates when a fast release is beneficial an appropriate body response according to the application of that material. 


1.13. [bookmark: _Toc447348701]Bioactive molecules used to induce angiogenesis
As previous studies suggest, the step forward from microfabrication is to make the materials smarter by incorporating active molecules to induce angiogenesis. They can either be mixed in the polymer solution, or bound to the substrate. In addition to strategies used to make the material smarter, the choice of the active molecule to make the material angiogenic is also very important because it will determine the host’s response towards the material. 
The number of molecules used in-vitro to induce angiogenesis is vast, aiming to mimic the in-vivo reality. Scientists have tried to incorporate within the scaffold extracellular matrix components, such as collagen and elastin, both for their role in structural support and signalling; they also incorporate growth factors such as FGF, VEGF, PDGF and TGF-β for their crucial role in the angiogenesis cascade (Dew et al. 2015). Latest developments include the use of polysaccharides such as heparin or heparin-like saccharides that include motif to bind growth factors. These polysaccharides also have the ability to bind growth factors already present in solution, with a longer angiogenic effects than growth factors alone, as they denature quickly (Raman et al. 2005). 
1.13.1. [bookmark: _Toc447348702]Extracellular Matrix Components
Recent studies have investigated how extracellular matrix (ECM) components can also help angiogenesis. The rationale behind this, as mentioned before, it is to recreate an environment similar to the in-vivo surroundings. ECM proteins, in addition to their structural function, also have a function in signalling and organizing cells around them. 
This is because their protein sequences include adhesion sequences that would induce different reaction in different cell types (Badylak 2002). These ECM adhesion sequences can interact with integrins on the cell surface that act as mechanoreceptors between the matrix and the cells, creating adhesion points. This is how capillary endothelial cells might control their growth in response to chemotactic factors, by detecting ECM and mechanical signals around them (Ingber 2002). These adhesion points would be responsible for the activation of internal pathways, activating various cell types  from endothelial cells to fibroblasts (Lutolf & Hubbell 2005). 
More recently, energies have been focused on analysing various components of the ECM, to understand what are the peptide sequences relevant for angiogenesis and why. There is a general agreement that the ECM is mainly composed of stromal matrices and basement membranes. Stromal matrices are mainly composed of fibrillary collagen, elastins and fibrin, while basement membranes are mainly made of laminins, collagen IV and heparin sulphate proteoglycans. Compositions of these components change according to the tissue type and function, but stromal matrices have been shown that allow vessels sprouting and cell alignment (Francis et al. 2008). On these bases, elastin, collagen and hyaluronic acid have all been electrospun, creating scaffolds that supports angiogenesis (Ekaputra et al. 2011; Rnjak-Kovacina et al. 2011). Moreover, sulphate proteoglycans have also been investigated for their role to bind growth factors. However, growth factors are still the most attractive bioactive molecules, due to their ability to direct cell behaviour directly, compared to ECM components. 


1.13.2. [bookmark: _Toc447348703]Growth Factors
Growth factors, as said before, are proteins that are involved in cell’s communication and movement (chemotaxis). They are the proteins that regulate the development, maintenance and death of all cells in living beings (Folkman 1995).
Thus they are appealing molecules for bioengineering due to their crucial role they play in regeneration and angiogenesis. Growth factors involved in angiogenesis have been extensively reviewed and they all agree that the major contributors to angiogenesis are VEGF, FGF and PDGF (Moon & West 2014; Pérez et al. 2013; Roy et al. 2011; Laschke et al. 2006). They have been shown to play an role in the angiogenic cascade (Dew et al. 2015). 
In the specific case of electrospun scaffolds, many studies have incorporated growth factors within the electrospun matrix. The most common growth factors recently used to functionalise elecrospun scaffolds are Fibroblast Growth Factor (FGF) (Kim et al. 2011; Liao & Leong 2011; Guo et al. 2012; He et al. 2012; Montero et al. 2012), Vascular Endothelial Growth Factor (VEGF) (DeVolder et al. 2011; Liao & Leong 2011; He et al. 2012; Seyednejad et al. 2012; Del Gaudio et al. 2013; Farokhi et al. 2013; Xie et al. 2013; Farokhi et al. 2014) and Platelet-Derived Growth Factor (PDGF) (J. Lee et al. 2012; Farokhi et al. 2013; Xie et al. 2013; Zhang et al. 2013), or a combination of these. Although less common chemokines, such as sphingosines, have also been used (Zhang & Song 2014). 
However, growth factors are expensive molecules and very unstable; they often need to be mixed with a carrier, such as heparin, gelatine or polymers, in order to be bioactive once in-vivo. Therefore, the option to use a cheaper and more stable alternative is appealing from a translational point of view.
1.13.3. [bookmark: _Toc447348704]Drugs and other components
For this reason, other mixtures have been investigated, where a cheaper and more stable alternative was used. Other extracellular components were used to functionalise electrospun scaffolds such as serum (Eghtesad & Nurminskaya 2013), serum albumin (Xu et al. 2013), herbal components (H. Wang et al. 2013), platelet-enriched plasma (Diaz-gomez et al. 2014) and zinc oxide (Augustine et al. 2014) as they all have been proven to help with cell infiltration and angiogenesis. The advantage to use these components, other than the cost, is that they can be used to condition the scaffold once in the operating theatre. 
1.13.4. [bookmark: _Toc447348705]PolySaccharides 
Recently, studies have been focusing on the use of saccharides to functionalise scaffolds, instead of using growth factors or synthetic drugs. Saccharides become appealing in the past few years as they have been found to also bind and stabilise growth factors and they might be a cheaper alternative (van Wijk & van Kuppevelt 2014).  
PolySaccharides are a major component of cell membranes and extracellular matrices. More specifically, glycosaminoglycans have been shown to play many physiological roles due to their flexible chemical structure (Raman et al. 2005). In angiogenesis, the glycosaminoglycan of major interest is heparin, a highly sulphated glycosaminoglycan, because of its ability to sequester growth factors in solution.  
Heparin is already used clinically as anti-coagulant for its action against anti-thrombin III. In addition to its anticoagulant properties, heparin was also shown to have high affinity with important angiogenic factors such as FGF and VEGF. 
This is because growth factors have heparin-binding sequences. It also protects growth factors from proteolysis and thermal damage (van Wijk & van Kuppevelt 2014). 
Many studies have shown that functionalization of electrospun scaffolds with heparin was useful to bind growth factors present in solution, rendering the scaffold angiogenic (Kim et al. 2011; Z. Wang et al. 2012; Huang et al. 2013; C. D. Easton et al. 2014; Wu et al. 2014). 
These recent studies confirm that heparin and heparin salts are attractive molecules to modify materials to make them more angiogenic. For this reason, heparin was used to functionalise various substrates in this study.

1.14. [bookmark: _Toc447348706]Project Aim
The aim of this study is to develop an angiogenic coating for materials for pelvic floor reconstruction.
We hypothesise that the surface modification of existing scaffolds with heparin offers the potential to make these materials angiogenic in-vivo by binding VEGF or ideally by binding growth factors already present in naturally occurring body fluids. This will enhance the surface property of the polymer decreasing the possibility of a chronic inflammatory response. This would lead to a better host integration and vascularization (Rashidi et al. 2014).   


OBJECTIVES
To investigate this, the project was divided into the following main experimental objectives: 
1. To manufacture electrospun polylactic acid and polyurethane scaffolds that would support cell infiltration and collagen production, to be compared with a commercially available polypropylene mesh.
2. To plasma polymerise a layer of acrylic acid onto these scaffolds and a PP mesh used as control, as base for a layer-by-layer assembly.
3. To bind heparin to the scaffolds using a layer by layer approach on these scaffolds.
4. To verify the ability of the coated scaffolds to bind VEGF, as a representative growth factor for angiogenesis. 
5. To verify the angiogenic potential of coated scaffolds in an in-vivo CAM model.
6. To verify the feasibility of conditioning the coated scaffolds with human plasma to make them angiogenic prior implantation in the CAM model. 





2. [bookmark: _Toc447348707]Chapter 2 - Materials and Methods
2.1. [bookmark: _Toc447348708] Scaffolds
2.1.1. [bookmark: _Toc447348709]Electrospinning of PLLA
PLLA (Goodfellow, UK) was dissolved in Dichloromethane (DCM) (Sigma-Aldrich, UK) in 10% weight/volume proportion. The solution was left on a rocking platform overnight to dissolve at room temperature. The following day, 40 ml of the solution was electrospun with a 50 ml syringes fitted with a manifold with 12 stainless steel blunt needles. It was placed horizontally on a programmable syringe pump (Kent Scientific, USA) and discharged at a rate of 480 µl per second. The syringe was supplied with 17 kV by a high voltage power supply (Genvolt, UK). The fibrous scaffold was collected on a rotating drum 16 cm x 6 cm in diameter at a distance of 17 cm from the needles tips (Figure 11).  This drum rotated at 300 revolutions per minute, resulting in an 18 x 16 cm mat of approximately 150 µm thick. Scaffolds were produced at a room temperature of about 20°C. If scaffolds were produced under sterile conditions, the collector was enveloped in a sterile sheet of aluminium and the needles were wiped in 70% ethanol in deionised water. After electrospinning, the scaffold was removed with sterile scissors and forceps and placed in a sterile square petri dish.     
[image: ]
[bookmark: _Ref433894444][bookmark: _Toc433909349][bookmark: _Ref433894620]Figure 11. Diagram of the electrospinning rig used to manufacture the scaffolds. It includes a syringe with the polymer that is pumped ansd the polymer is sprayed from a manifold with many needles. The polymer is charged and, while it is pumped, it is attracted and collected to a rotating collector. These settings have been established optimal by previous work (K. A. Blackwood et al. 2008).

2.1.2. [bookmark: _Toc447348710] Electrospinning of Polyurethane
Polyurethane Z3A1 was purchased from Biomer (Rancorn, UK) and it was electrospun following these settings: Z3A1 was dissolved in a solution of 70:30 of DMF:THF (Sigma-Aldrich, UK) in 10% weight/volume proportion. The solution was left on a rocking platform overnight to dissolve at room temperature. The following day, the mixture was stirred energetically and it was left on the rocking platform for one more night. 
[image: ]On the third day, 40 ml of the solution was electrospun with a 50 ml syringes fitted with a manifold with 12 stainless steel blunt needles. It was placed horizontally on a programmable syringe pump (Kent Scientific, USA) and discharged at a rate of 480 µl per second. The syringe was supplied with 20 kV by a high voltage power supply (Genvolt, UK). The fibrous scaffold was collected on a rotating drum 16 cm x 6 cm in diameter at a distance of 17 cm from the needles tips (Figure 12).  [bookmark: _Ref433911082][bookmark: _Toc433909065][bookmark: _Toc433909350]Figure 12. Photo of the electrospinning rig used.


This drum rotated at 300 revolutions per minute, resulting in an 18 x 16 cm mat. Scaffolds were produced at a room temperature of about 20°C. If scaffolds were produced under sterile conditions, the collector was enveloped in a sterile sheet of aluminium and the needles were wiped in 70% ethanol in deionised water. After electrospinning, the scaffold was removed with sterile scissors and forceps and placed in a sterile square petri dish. This manufacturing protocol and these scaffolds were chosen because they have been proven suitable for soft tissue regeneration as previously investigated (Blackwood et al. 2008). 
2.1.3. [bookmark: _Toc447348711] Gynemesh PS 
Commercially available polypropylene mesh, Gynemesh (Ethicon, Johnson&Johnson, USA) was used as supplied. 
2.2. [bookmark: _Toc447348712] Coating 
2.2.1. [bookmark: _Toc447348713] Plasma Polymerization
Scaffolds were plasma polymerized with 98% PAC (Sigma-Aldrich, USA) in deionised water. Plasma polymerization is carried out as following: scaffolds were inserted into the glass chamber of the plasma rig and the flask with 98% PAC was attached to the rig. The initial pressure was adjusted at 3.0 x 10-2 mbar by opening the needle valve. The vacuum valve was then closed for 30 second and the final pressure was 4.2 x 10-1 mbar. This process was repeated three times to ensure that the flow rate was stable. The power was then switched on for 20 minutes by an RF-plasma at 13.56 MHz and delivering at 15 W. After 20 minutes, the RF-plasma was switched off and the pump was kept on for 5 minutes to remove the acrylic acid left in air from the chamber. Afterwards, the needle valve was closed for one minute to allow the residual air to leave the glass chamber. Finally, air was let into the chamber and scaffolds were retrieved (Figure 13). 
[image: ]
[bookmark: _Ref433894735][bookmark: _Toc433909351]Figure 13. Diagram of the plasma rig used to plasma polymerize acrylic acid on top of the scaffolds surfaces. The monomer used was Acrylic acid, which was excited with radio frequency. 
2.2.2. [bookmark: _Toc447348714] Layer-by-Layer Coating 
[image: ]Initially, two coatings were tested on the PLLA scaffolds to understand which one was most suitable for binding heparin (HEP). The first coating was made by PEI and HEP. The second multilayer coating was made of PEI and PAC. These two types of coatings were tested for the best coating to bind heparin. PEI was chosen because it was demonstrated to build a good and stable multilayer coating (Dong et al. 2008; Mahlicli & Altinkaya 2013; Scheuerlein et al. 2015). PAC was chosen because it was shown to create a stable and cell-friendly negatively charged surface (Müller et al. 2001; Lehle et al. 2004; C. D. Easton et al. 2014).  PAC solution was made of 0.5% volume/volume PAC (Sigma-Aldrich, UK) in deionised water. The pH was adjusted to 4 by adding drops of 50% PEI until the pH was reached. PEI solution was made of 0.5% weight/volume PEI (Sigma-Aldrich, UK) in deionised water. The pH was adjusted to 9 by adding drops of 98% polyacrylic acid until the pH was reached. Chemistry of the monomers are found in Figure 14. [bookmark: _Ref433894961][bookmark: _Toc433909067][bookmark: _Toc433909352]Figure 14. Molecules used in this study: Heparin, PolyAcrylic Aid and PolyEthyleneImine

[image: ]After plasma polymerization, scaffolds were coated with these two different type of coatings (Figure 15). [bookmark: _Ref433895026][bookmark: _Toc433909068][bookmark: _Toc433909353][bookmark: _Ref442299601]Figure 15. Diagram of the coating protocol where two types of coatings were used.

Plasma polymerised PLLA scaffolds were transferred into the PEI aqueous solution for 30 minutes at room temperature. Scaffolds were then washed four times with deionised water and they were immersed in a 100 U/ml aqueous solution of HEP (Sigma-Aldrich, USA) for 30 minutes at room temperature. The other set of scaffolds they were immersed in a 0.5% aqueous solution of PolyAcryilic Acid (PAC) (Sigma-Aldrich, USA) for 30 minutes at room temperature, after plasma polymerization,. Both types of scaffold were washed again four times with deionised water and placed into the PEI aqueous solution for 30 minutes at room temperature. These steps were repeated each time throughout the production of the seven layers, with the last layer always being PEI. Figure 15 describes the coating protocol.  After it was  established that the best polyelectrolyte combination was PEI/PAC, the other to scaffold types, electrospun PU and PP mesh, were coated with PEI/PAC as Figure 15 shows.
2.2.3. [bookmark: _Toc447348715]Heparin and Toluidine Blue quantification
After the LBL coating, scaffolds were dipped in 2 ml of 100 U/ml heparin aqueous solution overnight at room temperature (Figure 15 - step 7). Heparin was quantified by the toluidine blue assay initially described by Hinrics et al. 1997 (Hinrichs et al. 1997). 
Briefly, one part of heparin solution used to coat the scaffolds was mixed with two part of toluidine blue solution (0.005% toluidine blue in PBS). The resulting solution was left on a rocking platform for 4 hours, to allow heparin-toluidine blue complexes to be formed. After 4 hours, the solutions were centrifuged at 10000 rpm for 5 minutes to allow the precipitate to sink at the bottom of the Eppendorf tubes. After centrifugation, the exec liquid was removed and the pellet was dissolved in 1 ml of 4:1 of pure ethanol and 0.1 M of NaOH. Once the pellet were dissolved, 100 µm of the resulting solution was read at 562 nm. A standard curve was created with known concentration of heparin.  
2.2.4. [bookmark: _Toc447348716] VEGF coating
Afterwards, scaffolds were washed with deionised water and left overnight in 1 ml of 2000 pg/ml VEGF solution in PBS (Figure 15 - step 8). VEGF was used (Sigma-Aldrich).The following day, the VEGF solution was removed and scaffolds were washed with PBS. 
2.2.5. [bookmark: _Toc447348717] Human blood plasma coating
Human blood was harvested with the consent of donors. Trisodium citrate (Sigma-Aldrich) at 0.1009 M in 1:10 dilution was used to avoid coagulation of the samples. 
Whole blood was centrifuged at 300 rpg for 20 minutes to divide the red blood cells from the plasma. Once erythrocytes precipitated, blood plasma was aspirated from the tubes and aliquoted in fresh tubes for freezing and afterwards use. Scaffolds were than conditioned with 1 ml of human plasma overnight. 
2.3. [bookmark: _Toc447348718]Quantification 
2.3.1. [bookmark: _Toc447348719]Scanning Electron Microscopy (SEM)
SEM was used to characterise the surface of the scaffolds. After functionalization with heparin, samples were dried at room temperature. They were then coated in gold with a sputter coater (Edwards sputter coater S150B, Crawley, England). Samples were imaged with a Phillips XL-20 scanning electron microscope (Cambridge, UK). SEM pictures were taken before and after functionalization. 
SEM was also used to characterise the surface of the scaffolds retrieved from the CAM. Scaffolds, after being retrieved from the CAM, were fixed in paraformaldehyde for 1 hour. After, scaffolds have been dehydrated with serial dilutions of ethanol (30%, 60%, 80%, 90% and 100%), for 15 minutes for each dilution of ethanol.  Samples were then dried at room temperature for up to a week. They were then coated in gold with a sputter coater (Edwards sputter coater S150B, Crawley, England). Samples were imaged with a Phillips XL-20 scanning electron microscope (Cambridge, UK). SEM pictures were taken before and after functionalization. 
2.3.2. [bookmark: _Toc447348720] Ellipsometry
Ellipsometry is a non-invasive and non-destructive measurement method of layer thickness and absorption coefficient from the refractive index of the surface. The relative change of polarization of light hitting a sample surface can give information about the sample properties. The resolution of ellipsometry regarding thickness is very precise and enables measuring thickness < 1 nm and refractive index error from 0.001 to 0.01 [1]. In this lab experiment we measure the thickness of two different coatings on a silicium wafer sample. In the protocol, the refractive index was calculated based on the incident angle and the angles of polarizer/analyzer and compare it with the determined value via the ellipsometer software.

2.3.3. [bookmark: _Toc447348721]X-Ray Photoelectron Spectroscopy (XPS) 
Surface chemistry was verified by X-Ray Photon Electron Spectroscopy (XPS). After functionalization with heparin, the samples were left to dry completely at room temperature before surface analysis. X-ray photoelectron spectra were obtained at the National EPSRC XPS User's Service (NEXUS) at Newcastle University. The instrument used was the K-Alpha instrument equipped with a monochromated AlKα source (Thermo Scientific, East Grinstead, UK). Pass energy of 200 eV and a step size of 1.0 eV were employed for survey spectra, while a pass energy of 40 eV and a step size of 0.1 eV was used for high resolution spectra of the elements of interest (Carbon, Oxygen, Nitrogen and Sulphur). 
Two spots were taken for each sample, and two samples of each scaffold type were analysed. Curve fitting was carried out with casaXPS programme (USA). After curve fitting, atomic percentages for each element were measured. Plain scaffolds were compared to coated scaffolds. 


2.3.4. [bookmark: _Toc447348722] Ability of scaffolds to bind VEGF 
As previously mentioned, the coated scaffolds were immersed into either a 2 ng/ml Vascular Endothelial Growth Factor (VEGF) solution in PBS at room temperature overnight. The scaffolds were then washed once in 1 ml PBS. A human VEGF Enzyme-Linked Immuno-Sorbent Assay (ELISA) (Peprotech Inc., USA) was carried out on the wash solutions to quantify how much VEGF was present in the solutions and how much was therefore still bound to the surface of the scaffolds. The assay was carried out according to the manufacturer’s instructions. 
2.3.5. [bookmark: _Toc447348723]Angiogenic properties of coated scaffolds using the CAM Assay
Fertilized chicken (Gallus domesticus) eggs were purchased from Medeggs (UK) and incubated from day 2 of fertilization until day 8 at 37°C in a humidified rocking egg incubator (R-COM Suro20). At day 8, a square window (1 cm2) was cut into the shell and lifted, and a 2 cm2 fully coated scaffold was placed onto the CAM. Half of the samples were fully functionalised and soaked in VEGF or human plasma prior to implantation, and then washed.  The other half was plain scaffolds soaked in VEGF solution and washed. Each egg was implanted with one scaffold only. The shell window was replaced with parafilm (Bemis Flexible Packaging, USA) and sealed with adhesive tape. After implantation, eggs were placed again at 37°C in a 40% humidified incubator until day 14. At day 14, scaffolds were retrieved and the eggs were sacrificed. Figure 16 shows a cartoon of the timeline of this assay. 
Angiogenesis was quantified by taking light microscope pictures just before scaffold retrieval and blindly scored by four assessors using histological images of the retrieved scaffolds. Images were scored for cell infiltration and number of blood vessels.
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[bookmark: _Ref433895394][bookmark: _Toc433909354]Figure 16. Timeline of the CAM assay, from fertilization to egg scarification. Chicken eggs get fertilised at day 0, and they were incubated in the lab at day 2. Scaffolds were implanted on the embryo on day 8 and explantation of the scaffold was carried out at day 14.

2.3.6. [bookmark: _Toc447348724]Histology
Histology was performed on the retrieved scaffolds. Scaffolds from the CAM were fixed in 3.7% paraformaldehyde (Sigma Aldrich, USA) in deionised water for at least 1 hour. They were placed into moulds for cryo-sectioning filled with OCT solution (Leica, Germany). They were left to freeze at -80°C and 20 µm sections were cut with the cryostat Leica CM1860UV (Leica Germany). Slides were then stained with Haematoxylin & Eosin solutions (H&E) and Gouldner’s Trichrome, according to the standard protocol for frozen slides. 
Slides were then covered with DPX (Sigma-Aldrich, USA) and a glass coverslip to be imaged with a light microscope (Motic, China). Quantification of cell infiltration and angiogenesis of each scaffold after CAM assay was based on the H&E histology.  Four scorers evaluate blindly cell infiltration and angiogenesis. The histology images were blindly scored from 0 (no cell infiltration) to 3 (massive cell infiltration) by 4 assessors. Angiogenesis was also blindly assessed by 4 scorers, by counting the number of blood vessels.
[bookmark: _Toc447348725]2.3.6 Immunohistochemistry 

Frozen slides were then stained for the CD31 antigen. Slides were firstly washed twice in PBS and then blocked with 10% bovine serum albumin in PBS for 1 hour. They were then incubated overnight at 4°C with the primary antibody (Dako) (monoclonal CD31, 1:50). Samples were washed 4 times for 5 minutes. Slides were then incubated for at least 1 hour with the secondary antibody goat anti-mouse Alexa488 (Life technologies) (1:200). Samples were then washed 4 times for 5 minutes. Finally, they were incubated at room temperature for 20 minutes with DAPI solution to stain the nuclei. 
[bookmark: _Toc447348726]2.3.7 Imaging
Pictures of the CAM were taken with a USB microscope (Maplin, UK) using natural light. Histology and Immunohistochemistry images were taken with a light microscope (Motic, China) and fluorescent immunohistochemistry pictures were taken with  a confocal microscope (Leica, Germany).
2.3.8 [bookmark: _Toc447348727]Statistical Analysis
Statistical analysis was performed to verify statistical difference between groups or among variables. Two tailed T-test was performed two compare two groups. One-way ANOVA was used to find statistical difference among several groups of variables. 




3. [bookmark: _Toc447348728]Chapter 3 – Characterization of materials used
3.1. [bookmark: _Toc447348729]Poly (L) Lactic Acid (PLLA)
One of the major challenges in regenerative medicine is to develop biomaterials that are biodegradable and bioabsorbable with the right biological and mechanical properties. Polylactones are usually preferred for biomedical applications because they are very biocompatible (Cheng et al. 2009). Among polylactones, Poly(L)Lactic Acid (PLLA) has  been approved by the FDA as a material for medical applications and its route to the clinic should therefore be faster than a material without approval (Coulembier et al. 2006).  It was firstly used in a form of degradable stitches in 1960 (Kulkarni et al. 1966). It is currently investigated for several medical applications (Jamshidian et al. 2010).
Advantages of using PLLA for medical applications are many. Firstly, as it is a polylactone that degrade with hydrolysis, it does not erode human tissues as it will degrade slowly. A slow degradation will also allow a gradual restoration of tissue function as while the material degrades, the new tissue is formed.
 Synthetic polymers such as PLLA are also attractive because they can be prepared as an off-the-shelf product, readily available for when the surgeon needs it. This also means that, unlike autologous grafts, the patient would not require a second surgery, either to remove the implant or to harvest autologous tissue, reducing medical costs. That is why lactic acid was used in this study in a form of an electrospun mat. Electrospun materials have been shown to form good scaffolds for soft tissue engineering as they are very versatile in how they can be manufactured (Szentivanyi et al., 2011, Jin et al., 2012, Supaphol et al., 2012, Zhong et al., 2012, Goh et al., 2013, Hasan et al., 2014, Sundaramurthi et al., 2014).
3.1.1 [bookmark: _Toc447348730]Chemistry and Manufacturing
The chemical formula of PLLA is (C3H4O2)n. It is usually produced by ring opening polymerization of lactic acid. Lactic acid is also called 2-hydrohypropionic acid with two chiral conformations: -L and –D enantiomers. For this project, the –L enantiomer was used. It contains both a carboxylic group and a hydroxyl group (Figure 17) (Lasprilla et al. 2012). They degrade by hydrolysis of the ester bonds (C-O), resulting in lactic acid that it is transformed into pyruvic acid to feed the Krebs’ cycle in the body to produce ATP (Tsuji & Ikarashi 2004). This is very favourable as the degradation does not produce molecules that would induce a chronic inflammation.  
[image: ]
[bookmark: _Ref433895768][bookmark: _Toc433909070][bookmark: _Toc433909355]Figure 17. Chemical structure of the monomer (L) Lactic Acid





PLLA can be manufactured in various ways, as it is a polymer that can be dissolved in solvents or melted. Most commonly used methods are particulate-leaching, fibre extrusion, phase separation, gas foaming and emulsion freeze-drying (Jamshidian et al. 2010). More recently, other techniques become popular such as 3D printing and electrospinning for their ability to produce a wide range of 3D structures (K. A. Blackwood et al. 2008; Serra et al. 2014).
In this study, we opted for electrospun PLLA, as a fibre mat would be preferable for urological applications where the tissue is generally soft and surgeons need sheets of relatively strong yet flexible materials to replace damaged tissues. Electrospun PLLA has been largely used for many applications as previously mentioned. However, PLLA is fairly new for urological application, as just lately companies have started manufacturing degradable (Vicryl®, by Ethicon and Dexon® by Davis&Geck) or partially degradable meshes (Vypro® and UltraPro® by Ethicon) for urological applications where meshes incorporate degradable polymers such as PLA and PGA.
Electrospinning exploits an electric charge to drive the polymer, that it is usually dissolved in a solvent, onto a collector by creating fine fibres (Chapter 2.1.1). This technique creates mats of different thickness, fibre diameter and alignment, depending on the amount of polymer spun, the voltage used and the nature of the collector. It is usually a fast process and with care the mat produced can be very reproducible ( Blackwood et al. 2008).         
3.2 [bookmark: _Toc447348731] Polyurethanes  
Polyurethanes have been used for medical applications for more than 50 years in many fields such as cardiovascular and plastic surgery. They were initially introduced as non-degradable materials, but it was found that due to their stable nature, they induced a foreign body reaction once implanted. Thus, in recent years, the focus was to develop biodegradable polyurethanes. This was possible due to their segmented polymeric nature that allows a wide range of properties to be incorporated  into the polymer (Zdrahala & Zdrahala 1999).  
Recent studies confirmed that polyurethanes can be used for various medical applications, from cardiovascular (Fujimoto et al. 2007; Siepe et al. 2007; Stankus et al. 2007), to muscoskeletal (Klompmaker et al. 1992; De Groot et al. 1997; Gisselfält & Flodin 1998; Chang et al. 2007) to nerve regeneration (Borkenhagen et al. 1998).  
Advantages of using these polyurethane are that they can be easily electrospun into mats to create 3D scaffolds, they are cell-friendly and promote new tissue ingrowth and their elastic properties are ideal for reconstructing the pelvic floor (Zdrahala & Zdrahala 1999) (Hillary et al. accepted). 
3.2.1 [bookmark: _Toc447348732] Chemistry and Manufacturing
Polyurethane are formed of 3 basic components: P-(D(CD)-P) where P is called polyol or soft segment, D is diisocyanate and C is the chain extender, and together are called hard segment. The soft segment is usually a chain with low glass transition temperature (<25°C) and terminated by hydroxyl groups (-OH) (Santerre et al. 2005). For this study, we used Z3A1 polyurethane, supplied by Biomer where the soft segment is a polyether (Rancorn, UK) (Figure 18).
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[bookmark: _Ref433895990][bookmark: _Toc433909356]Figure 18. Chemical structure of the polyurethane Z3A1 used in this study.

Polyurethanes are degraded by hydrolysis or enzymatic degradation of the ester bond (soft segment). The rate of degradation affect the host response: slowly degrading polyurethane induce a higher macrophage response than faster degrading ones (Siepe et al. 2006; Kazuro et al. 2007). 
Similar to PLLA, polyurethane can be manufactured in various ways. Examples are thermally induced phase separation, salt leaching, wet spinning, electrospinning and carbon dioxide foaming (Guelcher 2008).  
In this study, polyurethane was electrospun to create a reproducible and elastic mat, suitable for pelvic floor reconstruction. 
3.3 [bookmark: _Toc447348733] Polypropylene 
Polypropylene is the most commonly used material for pelvic floor reconstruction, as it has a long history of success for hernia repair and it has been simply adapted for urological applications. However, FDA recently issued a public health notification stating the danger of using PP meshes for urological applications (Schultz 2008a). Despite the FDA notification, polypropylene is still commonly used since major companies such as AMS and J&J have invested in developing kits for use in Stress Urinary Incontinence (SUI)  by adapted hernia meshes for use in the pelvic floor (Chapter 1, Table 1) and surgeons have been trained to use these meshes for many years.   
3.3.1 [bookmark: _Toc447348734]Chemistry and Manufacturing
[image: ]Polypropylene is made by refining petroleum and polymerizing the monomer propylene (Figure 19).





[bookmark: _Ref433896140][bookmark: _Toc433909357]Figure 19. Propylene monomer

Fibres are produced by heating and stretching the polypropylene, and they can either be a single fibre (monofilament) or a bundle of fibres (multifilaments). Afterwards, they are knitted or woven according to the mesh to be produced (Chapter 1, Figure 7 & Figure 8). The resulting mesh is hydrophobic and non-hydrolysable (Sternschuss et al. 2012). However, it has been found that is not inert, probably due to the presence of the stabilizers used on the surface which can induce acute inflammation and it is thought that  the oxidants produced by neutrophils damage the surface chemistry of the fibres (King & Lyman 1975; Sternschuss et al. 2012).
As polypropylene meshes are commercially available and widely used by surgeons, it was used as a control material for this study; specifically, Gynemesh (Ethicon, USA) was used.  

3.4 [bookmark: _Toc447348735]Results
Morphological and physical properties of the scaffolds were investigated initially. 
PLLA and PU were electrospun as previously mentioned (Chapter 2), resulting in a white mat. Commercially available polypropylene mesh was used that look like a transparent woven net (Figure 20).  
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[bookmark: _Ref433896527][bookmark: _Toc433909358]Figure 20. Light microscope picture of the scaffolds prior to implantation.
SEM picture of PLLA shows the micro scale nature of the scaffolds: fibres are randomly aligned.
[image: ]
[bookmark: _Ref433896596][bookmark: _Toc433909359]Figure 21. SEM of representative PLLA electrospun mats

From Figure 21, it is possible to observe that the mat is highly porous on the surface. Although pore sizes varied, the spread was between 7 µm and 17 µm (Figure 22). It is also possible to observe that the fibres are randomly aligned and non-woven, creating an appropriate 3D environment for cells to infiltrate. Fibres diameter was also measured. PLLA dispersion of fibre diameter is narrow, ranging from 1.77 to 2.35 µm (Figure 22).   [bookmark: _Ref433896705][bookmark: _Toc433909075][bookmark: _Toc433909360]Figure 22. Representative frequency of pore size in the PLLA mesh. Measures were taken for SEM pictures of 9 scaffolds. Three pictures were taken from 3 different area per scaffolds. Three measurements were taken for both pore diameter and fiber diameter per picture. 


Electrospun PU was also morphologically characterised. SEM pictures of the electrospun PU scaffolds also show that the mat is made of randomly aligned fibres (Figure 23). 
[image: ]
[bookmark: _Ref433896776][bookmark: _Toc433909361]Figure 23. Representitive SEM of electrospun polyurethane fibres.

As with the PLLA mat, the PU mat was also very porous on the surface. Pores size was smaller and more homogenous than both PLLA and PP, with a closer distribution (Fig.8). However, it is still a very suitable environment for cells to grow into, as literature suggest (Roman et al. accepted). Fibre diameters of the PU mat vary between 0.8 and 1.76 µm. They are smaller than PLLA but the size is still relevant for cell attachment and infiltration (Figure 24).   
[bookmark: _Ref433896951][bookmark: _Toc433909077][bookmark: _Toc433909362]Figure 24. Representative quantification of pore sizes and distribution for the PU mesh. Measures were taken for SEM pictures of 9 scaffolds. Three pictures were taken from 3 different areas per scaffold. Three measurements were taken for both pore diameter and fibre diameter per picture. 


PP mesh used is commercially available (Gynemesh, Ethico, USA) and it is knitted (i.e. fibres are used to create knots that then form a mesh) (Fig. 9). SEM pictures of the mesh show the nature of the knots and the fibres. Knots create areas of small pores while there the other areas have less material and much bigger pores. The pictures also show fibres of different colours, white and dark grey, probably suggesting different coating or processing of the fibres (Figure 25). 
[image: ]
[bookmark: _Ref433897059][bookmark: _Toc433909363]Figure 25. Representative SEM images of a commercially available polypropylene mesh.

Pore size has a wide distribution due to the nature of the scaffold, ranging from 200 µm to 1.5 mm. Fibre diameters are much larger than the previous two materials, ranging from 97 to 128 µm (Figure 26).
[bookmark: _Ref433897139][bookmark: _Toc433909079][bookmark: _Toc433909364]Figure 26. Representative pores size and frequency of a commercially available PP mesh. Measures were taken for SEM pictures of 9 scaffolds. Three pictures were taken from 3 different area per scaffolds. Three measurements were taken for both pore diameter and fibres diameter per picture.


This structure does not create an ideal environment for cell infiltration, as the large pores are too big for cells to attach and create a matrix. This structure together with the material that is inert and it is not degradable, might increase the possibility of a chronic inflammatory response and prosthesis rejection (Figure 27).  




Scaffolds thickness was also measured, as it plays a crucial role in gas and nutrients exchange for the cells that populate these scaffolds. 

[bookmark: _Ref433897271][bookmark: _Toc433909365]Figure 27. Difference in scaffold thickness among the materials used. Thickness was measured with a feeler. 3 different scaffolds were prepared for each type of scaffolds. 3 measurements were taken for each scaffold. Statistical analysis was not performed as the aim was not to compare differences in thickness (± SEM).

From these measurements, it is possible to conclude that PP is the thickest scaffold and that PU is the thinnest. Although PP is thick, the big pores allow passage of gases and nutrients. However, even if PP and PU are thinner compared to PP, their interconnected non-woven mesh might create a barrier for gas and liquid exchange.  This graph represents the heterogeneity of scaffolds included in this study, to make sure that the coating, if successful, could be applied to as many types of scaffolds as possible. 
3.5 [bookmark: _Toc447348736]Discussion
Electrospinning allows production of a porous mat in about 2 hours. However, this technique is affected by temperature and humidity. Care must be taken to ensure that any scaffolds not conforming to the required specifications are rejected –in practice this means routinely examining fibre structure and diameters and scaffold pore sizes. Although these scaffolds were reproducibly produced in house, there are now small spin-out companies producing electrospun scaffolds under Good Manufacturing Practices and ISO standards (http://www.electrospinning.co.uk/company/quality-assurance/). This company currently works with academic groups to develop reproducible protocols for scale up and clinical use. 
 PLLA was chosen as it has been already approved by the FDA and cells interact well with it. PU was chosen because it has distensibility without deforming plastically in contrast to PP mesh (Roman et al. accepted). PP was investigated as it is the material most commonly used in repair of the pelvic floor  (Gigliobianco, Regueros, et al. 2015) and in the context of these studies it was used as a control material.
PLLA and PU can be easily electrospun into mats with controlled fibre diameter and interconnected porosity. Pore sizes for these two materials proved the right size for cell infiltration (PLLA pore range: 7-17 µm and PU pore range: 2-10 µm) as previous studies shown (Joshi et al. 2013; Walthers et al. 2014).
Moreover, as previously mentioned, fibre diameter also plays a role in tissue formation and cell infiltration. PLLA and PU scaffolds, due to their non-woven nature that mimics natural tissues, should have better cells infiltration into their 3D structure, compared to the PP open knitted structure (Takahashi & Tabata 2004; Fioretta et al. 2014). Thus, they are a good starting point for further in-vitro investigations. .
Pore size can have a great impact on tissue integration as previous studies show. Small pores, like PLLA and PU, are preferred than very large pores like in PP as cells need a scaffold that allows them to ‘climb’ into it (Klinge et al. 2002).  Moreover, pores smaller than 5µm might not allow macrophages to get into the tissue, favouring the development of infections (Birch & Fynes 2002). 
Fibre diameter is also important as fibres constitute the 3D network that supports cell ingrowth. It has been shown that cells sense the porosity and the fibre diameter. 
Studies have reported how cell behaviour (infiltration, proliferation and differentiation) are affected by these factors (Takahashi & Tabata 2004; Sanders et al. 2005; Hadjizadeh & Doillon 2010; Hodgkinson et al. 2014; Abrigo et al. 2015). All these studies agree that a pore size > 10 µm and a fibre diameter not thicker of 10µm are better for cell infiltration, attachment and proliferation. Therefore, smaller fibres are preferable, as in PLLA and PU electrospun meshes, to thick fibres as in PP meshes, because they offer more support to cells infiltrating the scaffolds. This is extremely important because if the 3D structure allows cells to attach and infiltrate, this would induce production of extracellular matrix that would replace the scaffold and the damaged tissue. It would ultimately affect the success of the implant. 
Moreover, thickness of the scaffold is also extremely important; if the material is very thick, cells would not be able to infiltrate it and that would cause inflammation and a giant body reaction with the likely development of a fibrotic shell around the implant. Ultimately, there would be no integration between the material and the host (Elbert et al. 1999; Joshi et al. 2013).
Studies have found that porosity and fibres’ diameter affect the degree of inflammation caused by the material. Large and non-degradable fibres like PP meshes tend to cause chronic inflammation and granulated tissue around the material. Granulation and chronic inflammation is the body attempt to isolate the material from the body, suggesting poor integration of the prosthesis within the host. These studies on PP mesh agree that polypropylene meshes provoke a fairly pronounced inflammation, leading to a massive cell infiltration into the scaffold and ultimately to collagen production (Kuznetsov et al. 2004a; Rabah et al. 2004a; Bogusiewicz et al. 2006; Bazi et al. 2007; De Almeida et al. 2007; Huffaker et al. 2008; Woodruff et al. 2008; Elmer et al. 2009; Pierce et al. 2009). 
On the other hand, studies on immunological responses against electrospun PLLA and PU scaffolds, suggest that these scaffolds induce an M2 macrophage response, leading to tissue remodelling and material integration (Sabi’s paper (K. a. Blackwood et al. 2008)). 
Currently, PP meshes are the golden standard for urological applications and electrospun PLLA and PU are cutting edge technologies that have not reach the clinic yet. Long time will pass before these latest technologies will reach the clinic but we need strategies to improve existing material straightaway. Therefore, it is important to investigate strategies to improve integration within the host despite the substrate, because ultimately this will improve regeneration. This approach will give the opportunity to modify and improve a wide range of materials that are currently in use. This study focusses on a novel coating of scaffolds to induce angiogenesis. The above mentioned scaffolds were chosen as implanted substrates for the coating, as they are representative of the current status in pelvic floor reconstruction:   electrospun PLLA and PU represent emerging technologies and the PP mesh represent a well-established material for pelvic floor reconstruction. 








4. [bookmark: _Toc447348737]Chapter 4 – Characterisation of the Layer-by-Layer coating
4.1. [bookmark: _Toc447348738]Introduction
The time required for new blood vessel formation after implantation of a tissue-engineered construct within the host is a great limiting factor for the survival of the construct (Lovett et al., 2009, Naderi et al., 2011). The size of the graft is also a limiting factor as the tissue diffusion limit is <2 mm. Any tissue thicker than that requires blood vessels for its survival (Zandonella, 2003). For this reason, great focus has been given to materials that can induce blood vessel growth. As previously mentioned, various approaches are currently taken into consideration such as slow release of growth factors, seeding scaffolds with endothelial cells and angiogenic growth factors or creating a vascular net within the material, prior to implantation (Griffith et al., 2005). Microfabrication, cell seeding and addition of active molecules to the polymer mix have all been used to stimulate angiogenesis. In recent years the potential of surface coatings has been explored (C D Easton et al. 2014; Eghtesad & Nurminskaya 2013; Zhang et al. 2014; Del Gaudio et al. 2013; Diaz-gomez et al. 2014; Z. Wang et al. 2012; Castan et al. 2014; Farokhi et al. 2014; Wu et al. 2014). 
It has been shown that incorporating active molecules within biomaterials can result in a slow release of the active component. However, active molecules are more readily available for the surrounding tissue if they are on the surface of the scaffolds rather than within the matrix. That is the focus of this study, to develop a surface coating to bind growth factors at the site of implantation.  
For this purpose, a layer-by-layer (LBL) approach was used to build a surface charge to ultimately electrostatically bind heparin. LBL was originally pioneered by Iler ( 1966) and successively by Decher (1992; 1997). They successfully demonstrated that it was possible to build a film by absorption of alternate polycations (positively charged macromolecules) and polyanions (negatively charged macromolecules) (Figure 28).
[image: ][bookmark: _Ref433897785][bookmark: _Toc433909081][bookmark: _Toc433909366]Figure 28. Schematic of the LBL process. Schematic of the film deposition process using slides and beakers. Steps 1 and 3 represent the adsorption of a polyanion and polycation, respectively, and steps 2 and 4 are washing steps. The four steps are the basic build.
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A specific picture of the protocol used can be found in Figure 15. It is created by dissolving polymers in aqueous solutions at a specific pH, and then building alternative layers of positively charged polymers and negatively charged ones (Decher et al., 1992). The resulting film show alternate positive and negative charges that allows to adsorb a great variety of compounds. These films can potentially grow on any substrates and they are highly versatile (Hammond 2004).
Since the initial reports this LBL approach has been extensively used to modify surfaces for biomedical applications such as immobilising proteins onto the surface, for drug delivery or as a method to improve cell attachment and biocompatibility (Tang et al., 2006, Detzel et al., 2011, Hammond, 2012). For this reason, LBL coatings have been widely investigated for medical applications as it is possible to develop biomimetic films. Previous studies include LBL composed of alginate/polylysine (Elbert et al. 1999), chitosan/dextran sulphate (Serizawa et al. 2002), hyaluronic acid/polylysine (Picart et al. 2001), polylysine/polyglutamic acid (Richert et al. 2005) and collagen (Grant et al. 2001).  
The approach described in this study is based on a LBL to ultimately bind heparin. Heparin is a highly sulphated glycosaminoglycan and it is commonly used in medicine as an anticoagulant agent. Specifically, heparin has been used to coat cardiovascular grafts due to its anti-thrombogenic effect (Olsson et al., 2000). It is also found in many places in natural tissue , from cell membrane to ECM as heparan sulphate. However heparin has been recently rediscovered to be used in  tissue engineering for its ability to bind growth factors and therefore induce angiogenesis. Moreover, the use of macromolecules such as heparin that bind and stabilise growth factors is more efficient and a cheaper option than using growth factors alone. 
Recently  several studies are engaged in binding heparin onto and/or into the scaffold with the aim of binding growth factors already present in the body, creating an angiogenic gradient towards the implanted scaffold (Cabric et al., 2010, Singh et al., 2011, Leijon et al., 2013). 

In this study, the LBL was performed on  a stable negatively charged surface of polyacrylic acid that was plasma polymerised on top of the scaffolds of choice. From that surface, a LBL was created using two combinations of electrolytes to compare their efficacy in binding heparin: polyacrylic acid (negatively charged) and polyetheleneimine (positively charged) versus heparin (negatively charged) and polyetheleimine.  shows a cartoon of the coating process. 

As previously mentioned, plasma polymerization was used as the technique to provide a base layer to build a polyelectrolyte layer-by layer-coating. Plasma polymerization has been already used to change surface properties in biomedical applications (Poncin-Epaillard & Legeay 2003). In this study, plasma polymerised acrylic acid was used as a negatively charged base layer for the LBL formation for every substrate of choice. Plasma polymerised acrylic acid was already investigated for coating medical devices prior implantation. This study reported a successful plasma polymerization of acrylic acid on commercially available PP meshes. The advantages of plasma polymerised acrylic acid as base layer for the LBL are the creation of a homogeneous and stable polymer layer on top of any substrate, where the changes on the surface would not affect the bulk properties. This is also essential for building the LBL film. Moreover, acrylic acid stimulates cell adhesion and makes the surface of the substrate more hydrophilic (Nisticò et al. 2015).  
The aim of this study is to successfully coat various substrates, electrospun poly-lactic acid, electrospun polyurethane and commercially available polypropylene by plasma polymerization and layer-by-layer approach, to bind heparin and induce angiogenesis once implanted for future soft tissue applications. 
Firstly, two electrolyte multilayers were compared: heparin/polyethyleneimine and polyacrylic acid/polyethyleneimine to verify their efficiency in binding heparin on PLLA substrate. Subsequentially, the chosen multi-electrolyte combination was recreated on two other substrates, electrospun PU and a commercially available PP mesh. SEM was performed to visualise the morphological changes of the surfaces after functionalization, XPS was used to verify the presence of acrylic acid and sulphur on the surfaces and toluidine blue was performed to quantify the amount of heparin adsorbed onto the surfaces of the substrates. 
These materials were used as case studies as they represent three major groups of materials for pelvic floor reconstruction; PLLA represent the newest development in biodegradable materials that are cell-friendly; PU also represents a novel material that can be stretch and it also supports cell growth; finally, PP mesh was used as it is a material commercially in use, and it was used as control. 
4.2 [bookmark: _Toc447348739]Coating Characterization on PLLA
4.2.1 [bookmark: _Toc447348740]Scanning Electron Microscopy 
SEM was performed on the functionalised side of the electrospun PLLA scaffolds, before and during functionalization with the two electrolytes combinations in order to visualise effects of the functionalization on the fibres surface (Figure 29). 

[image: ]
[bookmark: _Ref433898220][bookmark: _Toc433909367]Figure 29. Representative SEM pictures of the functionalised side of PLLA.

PLLA fibres that were on the functionalised side appear enlarged after the coating steps, for both combinations of electrolytes. The surface of the fibres appeared etched compared to the plain fibres (Figure 29  a-d) and were also enlarged compared to the plain fibres. After coating with 7 layers of either PEI/PAC or PEI/HEP (Figure 29 e-h) there was no further change in appearance or fibre size. Fibres diameter was quantified at every step of the functionalization. After every step of the functionalization, the fibres enlarged a bit, until the 7th layer (Figure 30). 
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[bookmark: _Ref433898316][bookmark: _Toc433909083][bookmark: _Toc433909368]Figure 30. Mean of Fibre diameters for every step of the functionalization. Three measurements were taken from each picture from the top two layers of fibres. Three pictures were taken per scaffolds. Three scaffolds were produced per layer. A one way ANOVA was performed to establish significant difference among the different types of coating. Significant difference was found between plain PLLA scaffolds and fully coated scaffolds (± SD). 

[image: ]Porosity was also quantified after the functionalization (Figure 31). Porosity decreased after functionalization, while fibres diameters increased. However, pores are still big enough for cells to infiltrate in, as the literature suggests (Birch & Fynes 2002; Winters 2006). [bookmark: _Ref433898516][bookmark: _Toc433909084][bookmark: _Toc433909369]Figure 31. Pore size of plain electrospun PLLA scaffold compared to functionalised one. Three measurements were taken from each picture from the top two layers of fibres. Three pictures were taken per scaffolds. Three scaffolds were produced per layer. At-test was performed to establish significant difference among the different types of coating. There was not significant difference between plain PLLA scaffolds and fully coated scaffolds (± SD). 

 


4.2.2 [bookmark: _Toc447348741]Presence of the base layer of acrylic acid on the PLLA  surface

XPS was performed on the PLLA scaffolds after plasma polymerization with acrylic acid to verify the presence of the carboxylic group (from the acrylic acid) on the surface (Figure 32). The presence of acrylic acid on the surface of PLLA is extremely important as it is the negatively charged base layer for the layer-by-layer coating. Thus functionalization with carboxylic groups will allow the first layer of polyethyleneimine to electrostatically bind onto the scaffold. 




[bookmark: _Ref433898969][bookmark: _Toc433909370][image: ]
Figure 32. Assessment of surface chemistry of plain PLLA scaffold (a), plasma polymerised acrylic acid on electrospun PLLA (b), narrow scan of the carbon peak of the plain PLLA(c), and the carbon peak of the PLLA after plasma polymerization of acrylic acid (d). XPS was perfrmed on two spots on  all scaffolds types. 2 scaffold were analysed per type of scaffolds.  Curve fitting was done using XPScasa software. 
Plain PLLA was compared with plasma polymerised PLLA. The presence of acrylic acid on the surface of the scaffolds was quantified by the atomic percentage (% At) of the elements on the surface (i.e. carbon, oxygen and nitrogen) and by the presence of the carboxylic acid peak (i.e. –COOH). Changes in height of the carbon and nitrogen peak heights of the two samples suggest the presence of acrylic acid on top of the surface. Surface composition of plain PLLA was 65% carbon and 36% oxygen. For the plasma polymerised PLLA, the average atomic composition was 75% carbon and 25% oxygen, suggesting that the surface chemistry had changed (Figure 32 a & b). Moreover, a narrow scan of the carbon for the plasma polymerised sample suggests the presence of the carboxylic group which is not present on plain PLLA surface (Figure 32 c & d). Also, the carbon peak shape changed after plasma polymerization (Figure 32 c & d).  Narrow carbon scans of the plain PLLA showed the three typical peaks of the carbon bonds present (C-C, C-O-C and C=O) (Figure 32 c), while narrow carbon scans of the scaffolds after plasma polymerization showed a distinctive carboxylic peak at about 289 eV bonding energy, as a result of the plasma polymerization with acrylic acid (Fig. Figure 32 d). This was possible to calculate curve fitting was performed; an equation was fitted to the data obtained from the narrow scan of the element. Each equation was fitted so that the line of the real data is the same as the line of the calculated data, so to understand the type of bonds present in the narrow scan. 
4.2.3 [bookmark: _Toc447348742] Presence of Sulphur on the coated PLLA surface
The two scaffolds, either functionalised with PEI and HEP or functionalised with PEI and PAC, were analysed for the presence of sulphur on the surface, indicating the presence of heparin by XPS. This is because the only compound with sulphur on the scaffold surface is the heparin salt. Thus, it would be possible to determine which scaffold binds the most heparin by quantifying the atomic percentage of the sulphur on these scaffolds (Figure 33).  
[image: ]
[bookmark: _Ref433899170][bookmark: _Toc433909371]Figure 33. Presence of heparin on PLLA coated with PEI and HEP versus PLLA coated with PEI and PAC based on the atomic sulphur on the surface (**=p < 0.001, ***=p<0.0001). Two scaffolds per types were analysed with XPS. Two spots per scaffold were analysed via XPS. Three measurements were taken from each picture from the top two layers of fibres. A one way ANOVA was performed to establish significant difference among the different types of coating. Significant difference was found between plain PLLA scaffolds and fully coated scaffolds. 
 

From this analysis there was a significant difference between the two types of coating: PEI/PAC bound significantly more heparin then PEI/HEP. Accordingly, PEI/PAC scaffolds were then used for all future investigations. For PEI and PAC, 7 layers of functionalization gave slightly but not significantly more heparin bound than 5 layers (Figure 33). After this, we established that the combination of polyethelenimine and polyacrylic acid performed better at binding heparin than a LBL of polyetheleneimine and heparin. Therefore, PEI/PAC multilayer was then used for further analysis on the other two substrates. 
4.2.4 [bookmark: _Toc447348743]Ellipsometric analysis: building the layer by layer
 Ellipsometry was used to quantify the thickness of each layer and to verify that a layer by layer was formed. A silica wafer was coated according to the protocol previously mentioned with both combinations of electrolytes. Measurement with the ellipsometer was taken for every layer formed. Figure 34 shows that, when a silica wafer is coated with a layer by layer of PEI and heparin, surface thickness increases.  
[image: ]
[bookmark: _Ref433899245][bookmark: _Toc433909372]Figure 34. Surface thickness of a silica wafer coated with a layer by layer of PEI and heparin. Samples for each type of scaffolds were prepared to be analysed with an ellipsometric device.  Ellipsometry gives you a single measurement to build your mathematical model represented in this graph. 

The same experiment was carried out also for the PEI/PAC coating, and similar results were found (Figure 35). 
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[bookmark: _Ref433899438][bookmark: _Toc433909373]Figure 35. Ellipsometry of a silica wafer coated with a layer by layer PEI/PAC. Samples for each type of scaffolds were prepared to be analysed with an ellipsometric device.  Ellipsometry gives you a single measurement to build your mathematical model represented in this graph. 


4.2.5 [bookmark: _Toc447348744]Quantification of heparin on PLLA scaffold
Toluidine Blue was used to quantify the amount of heparin bound onto the coated PLLA scaffold. Toluidine Blue is a dye, dark blue in nature that, in contact with negative polyelectrolytes like heparin, turns purple. This colour change can be quantified because the absorbance spectrum of the dye shifts to a shorter wavelength once it is in contact with heparin. Figure 36 is a visualization of the colour change of toluidine Blue when it is in contact with PLLA coated with heparin. 
[image: ]
[bookmark: _Ref433899570][bookmark: _Toc433909374]Figure 36. Various steps of PLLA coating in contact with 0.005% Toluidine Blue solution. The scaffolds have been immersed for 10 minutes in 0.005% Toluidine Blue solution, they have been removed and a picture was taken of the scaffolds. 
The toluidine blue change of colour was quantified with a modified protocol of Hinrichs et al. 1997. Five ml of 100U/ml heparin was used to soak the scaffolds for 2 hours. The solution was then recovered and mixed with toluidine blue. It was then left at room temperature for 4 hours to allow heparin/toluidine blue complexes to form. The pellet was retrieved and dissolved in 1 ml of 4:1 of pure ethanol and 0.1 M of NaOH. Once the pellets were dissolved, 100 µm of the resulting solution was read at 562 nm. A standard curve was created with a known concentration of heparin (500 U/ml, 250 U/ml, 125 U/ml, 61.5 U/ml, 30.5 U/ml, 0 U/ml).  
[image: ]
[bookmark: _Ref433899734][bookmark: _Toc433909375]Figure 37. Amount of heparin left in solution after PLLA functionalization with heparin. Scaffolds were immersed in a known concentration solution of 0.005% Toluidine Blue solution, Scaffolds were removed from the solution and the remaining toluidine blue solution was quantified for the amount of heaparin left (± SD). 

 These experiments showed that coated scaffolds bind more heparin than the uncoated ones. From this it appears that only 3 layers are needed to bind significantly more heparin than plain scaffolds (Figure 37). 
4.2.6 [bookmark: _Toc447348745]Immunostaining to visualise VEGF on the surface of the scaffold 
Coated scaffolds with heparin and VEGF were stained with an anti-VEGF antibody and a fluorescent secondary antibody, to simply visualise the presence of VEGF on the surface of the functionalised scaffolds (Figure 38 Side B).
	
	Side A
	Side B
	Negative Control

	Plain PLLA
	[image: ] 1 mm

	[image: ] 1 mm

	[image: ]

	PLLA functionalised with 7 Layers + Heparin + VEGF
	[image: ] 1 mm

	[image: ] 1 mm
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[bookmark: _Ref433899868][bookmark: _Toc433909376][bookmark: _Toc430855579]Figure 38. Immunostaining for VEGF of plain scaffolds compared to scaffolds with the coating. Side A is the plain side and side B is the coated side. Negative control is without primary antibody and only stained with secondary antibody. 

Plain PLLA did not fluoresce once stained for VEGF, suggesting that there was not VEGF bound onto the surface of the scaffold. However, the functionalised side of the scaffold coated with heparin and VEGF was positively stained for VEGF, suggesting that VEGF was bound onto the surface of the scaffold. This same assay was performed on scaffold conditioned with human serum, to verify the presence of bound serum VEGF on the surface of the coated scaffolds. 
[image: ] 1 mm
 1 mm

[bookmark: _Ref433899961][bookmark: _Toc433909377]Figure 39. Immunostaining of fully functionalised scaffolds coated with VEGF and human plasma. Fully functionalised scaffolds were stained with VEGF primary antibody and fluorescent secondary antibody (Chapter 2, Paragraph 2.3).
Scaffolds coated with heparin and VEGF or human plasma were also positively stained for human VEGF, suggesting that VEGF was bound on the surface of the scaffolds. VEGF concentration was quantified by a standard ELISA kit from Peprotech. The intensity of VEGF from the human plasma is dimmer, as a result of less human VEGF present in solution (0.8 ng/ml) compared to the pure VEGF solution (2 ng/ml) (Figure 39). 
4.2.7 [bookmark: _Toc447348746]ELISA to verify if heparin on PLLA binds VEGF
An ELISA was then used to quantify the amount of VEGF that could be bound to the scaffolds functionalised with PEI and PAC and loaded with heparin. The amount of VEGF bound to the surface increased with the number of layers up to 3 layers but no further VEGF was bound with further layers (Figure 40). The coated scaffolds were immersed into a 2 ng/ml Vascular Endothelial Growth Factor (VEGF) solution in PBS at room temperature overnight. The scaffolds were then washed once in 1 ml PBS. A human VEGF Enzyme-Linked Immuno-Sorbent Assay (ELISA) (Peprotech Inc., USA) was carried out on the wash solutions to quantify how much VEGF was present in the solutions and therefore by subtraction how much was therefore still bound to the surface of the scaffolds. The assay was carried out according to the manufacturer’s instructions. 

[image: ]
[bookmark: _Ref433900084][bookmark: _Toc433909378]Figure 40. Amount of VEGF on the surface of PLLA after functionalization of a LBL of PEI/PAC. Plain and Functionalised Scaffolds were immersed on a solution of pure VEGF. After a period of incubation, they have been removed from the solution and VEGF amount left in the solution was quantified. The difference of VEGF amount from the starting solution to the final solution was quantified in this graph, as VEGF remaining on the surface of the scaffold (± SD).
4.3 [bookmark: _Toc447348747] Applying the coating to PolyUrethane
After optimising the coating on PLLA, the LBL approach was tested on other two substrates, electrospun PU and PP mesh.
4.3.1 [bookmark: _Toc447348748]Morphology of the surface before and after functionalization
The appearance of the uncoated and coated electrospun PU was investigated using SEM. Although the surface of the PU fibres did not look etched, the diameter of the fibres increased after functionalization (Figure 41). Also the porosity at the surface interface looked different, probably due to the change in size of the fibres’ diameter.  

[image: ][bookmark: _Ref433900172][bookmark: _Toc433909094][bookmark: _Toc433909379]Figure 41. SEM of electrospun PU. Plain PU was compared to fully functionalised PU, according to the previous reported protocol in Chapter 2.2.
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From the SEM pictures, it appears that the functionalised scaffold are more prone to fibre and porosity change. Fibres are enlarged after functionalization, similar to PLLA (Figure 42).[bookmark: _Ref433900252][bookmark: _Toc433909095][bookmark: _Toc433909380]Figure 42. Fibre diameter of electrospun PU. Fibre diameter was quantified from the high magnification SEM pictures. 3 measurements per picture were taken from the top 2 layers of fibres. 3 pictures of per batch were taken. 3 independent batches were produced (± SD).  

Moreover, porosity before and after functionalization was quantified. However, there was no significant difference between pore sizes plain and functionalised PU (Figure 43). Literature suggests that this pore size is still suitable for cell growth and infiltration (Birch & Fynes 2002; Winters 2006). 
[image: ]
[bookmark: _Ref433900455][bookmark: _Toc433909381]Figure 43. Average pore size of plain PU compared to functionalised PU. There was no significant difference in this variable. Pore size was quantified from the high magnification SEM pictures. 3 measurements per picture were taken from the top 2 layers of fibres. 3 pictures of per batch were taken. 3 independent batches were produced (± SD).  

4.3.2 [bookmark: _Toc447348749]XPS to verify the presence of the acrylic acid base Layer
Plain polyurethane was compared with plasma polymerised polyurethane to quantify the presence of acrylic acid on the surface of the scaffold by the atomic percentage (% At) of the elements on the surface and by the presence of the carboxylic acid peak. Polyurethane already contains a carboxylic group, but after plasma polymerization, the magnitude of the carboxylic peak increased and there are changes in the carbon and oxygen atomic percentage, suggesting the presence of acrylic acid on the surface. Surface composition of plain PU was 81.23% carbon and 15.96 % oxygen. For the plasma polymerised PU, the average atomic composition was 76.20% carbon and 23.65% oxygen, suggesting that the surface chemistry had changed (Figure 44).
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[bookmark: _Ref433900557][bookmark: _Toc433909382]Figure 44. XPS spectra of the carbon peak on electrospun polyurethane. XPS data were obtained from two different spots on the same material. Plain PU was compared to fully functionalised PU

4.3.3 [bookmark: _Toc447348750] Presence of sulphur on functionalised PU
Plain PU and functionalised PU were analysed for the presence of sulphur on the surface by XPS, indicating the presence of heparin (Figure 45). This is because the only compound with sulphur on the scaffold surface is the heparin salt. 
Thus, it would be possible to determine which scaffold binds the most heparin by quantifying the atomic percentage of the sulphur on these scaffolds.  

[bookmark: _Ref433900641][bookmark: _Toc433909383]Figure 45. Ratio of the atomic percentage of carbon to sulphur (C:S), on plain PU compared to coated PU. XPS data were obtained from two different spots on the same sample of material. A range of materials were analysed, from plan PU to fully functionalised PU, and every coating step in between. The atomic percentage of Carbon was divided by the atomic percentage of the S. This graph shows the averages of these ratios (± SD). 


From this analysis there was a significant difference between the plain scaffolds and the functionalised scaffolds. Plain scaffolds, plain PU and plain PP, did not retain heparin, hence no sulphur was present on the surface. However, functionalised scaffolds, retained heparin as sulphur could be detected, although there no significant difference observed between the layers (Figure 45). 
 
4.4 [bookmark: _Toc447348751] Applying the coating to PolyPropylene
Ultimately, the challenge would be to coat existing scaffolds and verify that the coating is going to improve cell infiltration and angiogenesis of a fairly inert PP mesh.
4.4.1 [bookmark: _Toc447348752]Morphology of the surface before and after functionalization
[image: ]The appearance of the uncoated and coated commercially available polypropylene was investigated using SEM. This showed that after plasma treatment, the surface of the fibres appeared etched compared to the plain fibres (Figure 46). 










[bookmark: _Ref433900768][bookmark: _Toc433909099][bookmark: _Toc433909384]Figure 46. SEM of plain PP fibres compared to coated PP fibres. Plain PP was compared to fully functionalised PP, according to the previous reported protocol in Chapter 2.2.





The fibre diameter was not affected by the functionalization (Figure 47).
[image: ]
[bookmark: _Ref433900896][bookmark: _Toc433909385]Figure 47. Fibre diameter of plain and coated PP. Fibre diameter was quantified from the high magnification SEM pictures. 3 measurements per picture were taken from the top 2 layers of fibres. 3 pictures of per batch were taken. 3 independent batches were produced (± SD).  


Porosity before and after functionalization was quantified. However, there was no significant difference between pore sizes of plain and functionalised PU (Figure 48). The literature suggests that this pore size is still suitable for cell growth and infiltration (Birch & Fynes 2002; Winters 2006). 
[image: ]
[bookmark: _Ref433901019][bookmark: _Toc433909386]Figure 48. Pore size of plain PP compared to functionalised PP. There was no significant difference in this variable. Pore size was quantified from the high magnification SEM pictures. 3 measurements per picture were taken from the top 2 layers of fibres. 3 pictures of per batch were taken. 3 independent batches were produced (± SD).  



4.4.2 [bookmark: _Toc447348753]XPS to verify the presence of the acrylic acid base layer
XPS confirmed the presence of the carboxylic group on the PP plasma polymerised with acrylic acid. There is no carboxylic acid peak on the plain scaffold, but it is visible on the coated scaffold instead at about 289 eV passing energy, confirming that it is the carboxylic group peak (Figure 49). 
[image: ]
[bookmark: _Ref433901092][bookmark: _Toc433909387]Figure 49. XPS spectra of the carbon peak of plain PP compared to coated PP. The carboxylic group is visible after plasma polymerization with acrylic acid. XPS data were obtained from two different spots on the same material. Plain PP was compared to fully functionalised PP.


4.4.3 [bookmark: _Toc447348754]Presence of sulphur on functionalised PP
XPS was performed to quantify the atomic percentage of sulphur on the surface of plain PP compared to coated PP. 

[bookmark: _Ref433901169][bookmark: _Toc433909388]Figure 50. Ratio of atomic percentage of carbon to sulphur (C:S) on the surface of plain PP compared to coated PP. XPS data were obtained from two different spots on the same sample of material. A range of materials were analysed, from plan PP to fully functionalised PP, and every coating step in between. The atomic percentage of Carbon was divided by the atomic percentage of the S. This graph shows the averages of these ratios (± SD). 

Data suggests as previously, that only a few layers are needed to bind a significant amount of heparin, compared to plain PP (Figure 50).
4.5 [bookmark: _Toc447348755]Toluidine Blue
The toluidine blue assay was performed to verify the XPS data (Figure 51).  Functionalised scaffolds were soaked with 200 U/ml aqueous heparin solution for 2 hours. The remaining solution was used to quantify the amount of heparin left. The protocol to quantify the amount of toluidine blue was adapted from (Hinrichs et al. 1997).
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[bookmark: _Ref433901247][bookmark: _Toc433909389]Figure 51. Amount of heparin on the surface of each scaffold type quantified by a modified Hinrichs protocol. Heparin coated Scaffolds were immersed in a solution of pure heparin of 200 U/ml (dotted line). Heparin left in solution was quantified, and the difference is represented in this graph, that is the heparin left on the surface of the scaffold (± SEM).

 Briefly, one part of heparin solution used to coat the scaffolds was mixed with two part of toluidine blue solution (0.005% toluidine blue in PBS). The resulting solution was left on a rocking platform for 4 hours, to allow heparin-toluidine blue complexes to be formed. After 4 hours, the solutions were centrifuged at 10000 rpm for 5 minutes to allow the precipitate to sink to the bottom of the Eppendorf tubes. After centrifugation, the supernatant liquid was removed and the pellet was dissolved in 1 ml of 4:1 of pure ethanol and 0.1 M of NaOH. 
Once the pellets were dissolved, 100 µm of the resulting solution was read at 562 nm. A standard curve was created with known concentrations of heparin.  
Toluidine blue data confirmed the XPS results: All 3 scaffolds bound heparin with PLLA binding slightly more than PU and PP which performed similarly (Figure 51). 


4.6 [bookmark: _Toc447348756]Discussion
4.6.1 [bookmark: _Toc447348757] PLLA
Fibres of PLLA after plasma polymerization and after coating look enlarged. This is probably due to the initial plasma polymerization that appeared to etch the surface of the fibres.  This would allow water entry during the many steps of the LBL functionalization, to slowly penetrate into the fibres causing their enlargement. As a result, porosity of the surface decreased; but it is still porous enough for cells to infiltrate. Enlargement of electrospun fibre diameter due to plasma polymerization was previously observed by Zhao et al.  (Zhao et al. 2013). This also means that the surface of the scaffold is made more hydrophilic which is a favourable characteristic at the interface for cell interaction.  
Plasma polymerization of acrylic acid was successful as the carboxylic acid group was detected by the XPS and the proportions of carbon and oxygen changes between the plain and the functionalised PLLA. Functionalised PLLA shows an increased amount of oxygen, compared to plain PLLA, suggesting that extra oxygen was introduced into the system from the carboxylic group (-COOH). Moreover, also curve fitting within the carbon narrow scan suggests that the surface of the plain PLLA has three carbon conformations, typical of PLLA: C=O, C-C and C-O-C. 
However, when acrylic acid is plasma polymerised onto the surface, the peak shape changes, as two more carbon conformations are introduced into the system (-COOH, C-COOH). Other studies also show that the shape of the narrow carbon scan also reflects the presence of acrylic acid where the carboxylic group is present at about 290 eV passing energy, like in this study (Morent et al. 2010; David E. Robinson et al. 2014). 
Afterwards, the presence of sulphur at the end of the coating steps was quantified for both combinations of polyelectrolytes. The presence of sulphur on the surface is directly related to the amount of heparin present, as heparin is the only compound containing sulphur on the surface. Other studies have also measured  sulphur as measure of heparin presence via XPS (B. Liu et al. 2013; C D Easton et al. 2014). It was observed that the combination of layers that bound the highest amount of heparin was PEI and PAC, compared to PEI and HEP. That is probably because heparin binding might not be stable in all the washes needed to build the LBL. Thus, it would not be sufficient to build the electrostatic charge needed to ultimately bind more heparin than the PEI/PAC combination. Very few studies have  investigated the combination of PEI/HEP for biological applications, but the amount of heparin bound was not quantified nor its ability to bind growth factors (Dong et al. 2008; Mahlicli & Altinkaya 2013). However, other studies confirmed the suitability of the PEI/PAC combination to bind electrostatically heparin and ultimately growth factors needed for angiogenesis (Muller et al. 2001; Muller et al. 2006; C D Easton et al. 2014).
Because the combination of PEI/PAC could bind more heparin, it was continued for further analysis and to coat other scaffolds.
Toluidine Blue was used to further visualise and quantify heparin on the PLLA. The amount of heparin remaining in the solution used to coat the scaffolds was used for quantification.  There was a high amount of heparin remaining in the solution used to coat plain scaffolds; whereas there was little heparin left in the solution used to coat the functionalised scaffolds. This suggests that the coating helped retain more heparin on the surface of the functionalised scaffolds, compared to the uncoated scaffolds.  This is consistent with other studies where LBL was used to bind heparin or heparin sulphates salts to ultimately bind and stabilise growth factors (Mao et al. 2005).   
The next step in the investigation was to determine if the coating with heparin bound growth factors. VEGF was chosen as it is a very important factor in angiogenesis: it stimulates survival, proliferation, migration and differentiation of endothelial cells.  ELISA data showed that the coating with heparin successful bound VEGF. These results agree with many studies where heparin was showed to bind and stabilise VEGF (G Neufeld et al. 1999; Belair & Murphy 2013; Delcombel et al. 2013; Vempati et al. 2014).  
4.6.2 [bookmark: _Toc447348758] PU
Polyurethane fibres also looked enlarged after functionalization with polyacrylic acid and LBL coating with PEI and PAC. This is probably a very similar effect to the previously mentioned PLLA. The surface of the fibres re etched by the plasma polymerization and this would allow water to infiltrate the fibres during the LBL process. That might cause the enlargement of the fibres. 
The presence of acrylic acid on the surface of the fibres of polyurethane was verified by XPS. Although PU also contains a carboxylic acid group, as it is visible on the narrow scan of the carbon, after the plasma polymerization the carboxylic peak increased in height. Also the amount of oxygen increased, resulting from the increase of carboxylic groups (-COOH) in the system. Other studies have also confirmed that plasma polymerisation of polyacrylic acid on polyurethane surfaces increase the amount of atomic oxygen on the surface and that the carboxylic group in the narrow scan increase in height (Vilani et al. 2007; Weibel et al. 2007; Najafabadi et al. 2014). After verifying that the plasma polymerization with polyacrylic acid was successful, the electrospun PU scaffolds were then coated with alternate layers of PEI and PAC in a LBL approach. 
Afterwards, the presence of sulphur at the end of the coating steps was quantified. As before, the presence of sulphur on the surface was related to the amount of heparin present. It was observed that the highest amount of heparin was bound for 3, 5 and 7 layers. That is probably because enough surface charge is created after the 3 layer. These results are consistent with previous results for PLLA where there was no difference in heparin and VEGF bound onto the surface after the 3rd layer. These results also show that enough heparin was bound onto the surface by using the PEI/PAC electrolyte combination. Toluidine Blue was also used to quantify the amount of heparin bound onto the scaffold. Both XPS and Toluidine blue data suggest that heparin was immobilised onto the surface. Previous studies also used Toluidine Blue and XPS to verify the presence of heparin onto silk fibres or PU films, where sulphur was used as measure of heparin (Y. Wang et al. 2012; Elahi et al. 2014). 
4.6.3 [bookmark: _Toc447348759]PP
PP fibres diameter was not affected by the coating. However, the surface of the fibres looks cracked after the coat was completed. That might be the result of the plasma polymerization. PP, not being elastic, had to crack to cope with the glow discharge: the energetic ions and radicals present in the plasma caused an oxidative chemical effect of the polymer surface that might results in surface etching. After the many washes of the LBL protocol, the cracks were enlarged due to water penetration.   
The presence of acrylic acid on the surface of the PP mesh was verified by XPS. It is possible to observe a carboxylic group peak in the carbon narrow scan of the coated PP that is not present in the plain PP scan. The carboxylixc group derived from the polyacrylic acid, as numerous previous studies reported (Morent et al. 2010; Nisticò et al. 2015).  
After verifying that the plasma polymerization with polyacrylic acid was successful, PP meshes were then coated with alternate layers of PEI and PAC in a LBL approach.  Presence of sulphur at the end of the coating steps was quantified. As before, presence of sulphur on the surface was related to the amount of heparin present. It was observed that the highest amount of heparin was bound for 3, 5 and 7 layers. That is probably because enough surface charge is created after the 3 layer. However, PP meshes are the scaffolds with the least amount of heparin bound onto them. This is probably due to their nature; they have very large fibres a very big pores, so the surface area that can be functionalised is very small, compared to electrospun scaffolds such as PLLA and PU, that they are very dense with fibres. 

[bookmark: _Toc447348760]4.7  Conclusion
In conclusion, the multi-electrolyte combination that binds the most heparin was PEI/PAC and it was used for further analysis. All three types of scaffolds can be functionalised with plasma polymerised acrylic acid. Afterwards, they can be coated with a LBL approach using PEI as cation and PC as anion, due to their ability to bind electrostatically heparin. Heparin was successfully bound on top of the LBL coating.
The next step in the investigation was to verify the angiogenic potential of functionalised scaffolds in an in-vivo assay.















5. [bookmark: _Toc447348761]Chapter 5 – Testing the angiogenicity of the coating
5.1. [bookmark: _Toc447348762]Introduction
Angiogenesis, the formation of new blood vessels sprouted from small venules, was firstly identified in 1935 when formation of new blood vessels was observed in the placenta (Hertig 1935). Following that observation, considerable energy was put into understanding angiogenesis in the context of tumour biology. It was understood that tumours induced growth of new capillaries and that ‘anti-angiogenesis’ could be a potential therapy (Folkman et al. 1971). By the late 1970’s, the sequence of events involved in angiogenesis was quite well understood: it begins with local degradation of the basement membrane of the parental vessel; sequentially, endothelial cells migrate towards the angiogenic stimulus; the sprouted endothelial cells align and organise themselves to form a lumen (i.e. the internal space of a tubular structure); lastly, the newly formed vessels elongate due to endothelial cell proliferation (Ausprunk & Folkman 1977) (Figure 52). 
     [image: ]
[bookmark: _Ref433901443][bookmark: _Toc433909390]Figure 52. Simplified steps involved in angiogenesis.
However, they lacked the tools to study angiogenesis in more detail. Each of these steps could be tested in 2D in-vitro. However the goal was to aim to achieve an approach that would consider contemporarily all the steps involved.  Thus, there was the need to develop bioassays to study the biochemistry of angiogenesis in more detail and in a controlled way. Four new methods were developed in the mid-1970s for this purpose: corneal micro pockets in the rabbit (Gimbrone et al. 1974), mouse and rat (Muthukkaruppan & Auerbach 1979) for the measurements of individual capillaries as they grow; biocompatible polymers were developed for the sustained release of angiogenic factors in-vivo (Folkman & Klagsbrun 1987); chick embryo chorioallantoic membrane, initially used to detect angiogenic activity of parts of tumour (Ausprunk et al. 1974; Klagsbrun et al. 1976); vascular endothelial cells were cultured from explanted umbilical vein (Jaffe et al. 1972), aorta and capillaries to guide the purification of endothelial cells growth factors (Gospodarowicz et al. 1976; Birdwell et al. 1977).
In recent years, a few more models have been developed to study angiogenesis. They all aim to study the efficiency of angiogenic and anti-angiogenic factors, in a more comprehensive way. Angiogenic bioassays are divided into in-vitro and in-vivo assays; in-vitro assays are usually faster and cheaper than animal work; however, there is a consensus that they are preliminary and multiple tests have to be used to arrive to a definite conclusion. Alternatively, in-vivo tests, although difficult, expensive and time-consuming, are considered well rounded and conclusive to establish angiogenicity of the material (Auerbach et al. 2003).   In-vitro angiogenic assays entail culturing endothelial cells and measuring cell proliferation, cell migration and tube formation.  The cell proliferation assay is based on the rationale that substances might speed up or slow down the proliferation of cultured cells. 
It would be possible to then correlate their rate of proliferation with the variety of media/substances used to evaluate which one had an effect on the culture.  Cell migration assays are also based on a similar concept, that some substances might have a chemotactic effect on cells. It is possible to track cell movements within the plate and the length and speed of movement can be correlated with the various media used (Obeso & Auerbach 1984; Schor et al. 2001). Another commonly used in-vitro assay is the tube formation assay where endothelial cells are plated out on Matrigel and allowed to form tubular structures over a period of time. All these tests are complimentary to the in-vivo tests, and they differ in clinical context, types of cells used and experimental conditions; small changes to the experimental protocol might greatly affect the outcome of the experiment (Auerbach et al. 2003). They are graphically represented in Figure 53.
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[bookmark: _Ref433902360][bookmark: _Toc433909391]

Figure 53. Angiogenesis in-vitro assays, order of events: Cell migration, Cell Proliferation and Tube formation.

The aortic ring assay is the only assay based on an explanted organ, sitting at the interface of in-vitro and in-vivo models. Organ culture assays are all based on the concept of explanting a segment of aorta, usually from rats or chick embryos, and culture it in-vitro on a collagenous matrix such as Matrigel (Figure 54). Matrigel is the commercial name for a gelatinous protein mixture secreted by a mouse sarcoma. 
This heterogeneous mixture of proteins has been proven to allow endothelial cells growth and organization (Arnaoutova et al. 2009). Once the aorta is explanted, a very thin segment is laid on a Matrigel bed in the presence of endothelial cell growth media. Endothelial cells from the thin aorta slice can proliferate and organise themselves on the Matrigel coated plate.  Outgrow of endothelial cells from the explant is monitored and the length and quantity of sprouted vessels are quantified (Auerbach et al. 2003).
[image: ]
[bookmark: _Ref433902492][bookmark: _Toc433909392]Figure 54. Explanted aorta assay. Aorta from an animal, usually a porcine aorta, is sliced in thin slices and plated on a petri dish with culture media and/or gelatin. Over time, endothelial cells migrate from the ring of the aorta to the rest of the plate. 
All the already mentioned techniques are really useful because they allow one to monitor single steps in the angiogenesis cascade of events in a very controlled way. However, the ultimate evaluation of angiogenesis should ideally be carried out in-vivo where all the angiogenic steps are involved. There are several assays to test angiogenesis in-vivo: corneal angiogenesis assay, Matrigel plug assay, the dorsal skin fold assay, zebrafish model and the chick Chorionic Allantoic Membrane (CAM) assay.
The corneal angiogenesis assay is based on the fact that the cornea is avascular and that the presence of blood vessels would be caused by an angiogenic stimulus (Figure 55). 
Common animal models for this assay are rabbits (Gimbrone et al. 1974) and mice (Muthukkaruppan & Auerbach 1979). A pocket is created in the cornea and the tissue or molecule of interest is inserted in it. The vasculature formed is then injected with a fluorophore/chromophore to allow the visualisation of the newly formed vessels. Quantification of this assay include the area of vessel penetration, progress over time and measurement of the fluorescence intensity (Kenyon et al. 1996).
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[bookmark: _Ref433902604][bookmark: _Toc433909393]Figure 55. Cornea Pocket angiogenesis assay. A pocket is created in the avascular cornea and angiogenesis is observed. 

Another assay to establish angiogenesis in-vivo is the Matrigel plug assay, where Matrigel is mixed with substances of interest and injected subcutaneously in either rats, mice or rabbits, to form a plug (Figure 56). After a period of incubation, this plug is retrieved. Quantification is based on the histology sections of the plug or by quantifying the amount of haemoglobin in the plug itself (Auerbach et al. 2003).     
[image: ]
[bookmark: _Ref433902754][bookmark: _Toc433909394]Figure 56. Cartoon of Matrigel Plug Assay in-vivo. A plug of matrigel is implanted subcutaneously on mice. The plug is extracted and sectioned for histological analysis. 

A commonly used assay is also the dorsal skin fold assay, where two symmetrical metal frames are inserted into the dorsal skin of a mouse or rat. These two frames sandwich the material of interest under the skin of the animal, and angiogenesis is monitored over time (Figure 57). Analysis  includes the use of an upright microscope and fluorophores/chromophores to visualise the microcirculation of the animal around the implant over a window on the frame (Laschke et al. 2011).
[image: ]
[bookmark: _Ref433902884][bookmark: _Toc433909395]Figure 57. Cartoon of dorsal skin fold assay. A plug of matrigel is implanted subcutaneously on mice with a help of a frame. The plug is extracted and sectioned for histological analysis. 

Recently, also the biology of zebrafishes was exploited to study angiogenesis (Figure 58). Substances of interest are added to the water where zebrafishes are growing and, because they are totally transparent in the first few days of development, it is possible to visualise changes in blood vessel development and organogenesis (Norrby 2006).    
[image: ]
[bookmark: _Ref433902969][bookmark: _Toc433909396]Figure 58. Cartoon of the fluorescent zebra fish assay. Fluorescence is exploited to monitor the development of the embryo and angiogenic system of a zebra fish. 

Lastly, the CAM assay is the most commonly used assay to evaluate angiogenesis. It exploit the vasculature of the chorionic allantoic membrane of a fertilise chick to study a scaffold (Figure 59). 
[image: ]
[bookmark: _Ref433903133][bookmark: _Toc433909397]Figure 59. Basic concept of the CAM assay, that requires a scaffold to be inserted into a fertilised eggs.

Timescale of this assay might vary according to protocols. However, the general idea is that a tissue or biomaterial is placed on the CAM after opening the shell during the first period of development. After a period of incubation, the tissue/organ on the CAM are taken with a light camera and retrieved for histology. However, the majority of the groups prefer to work within two weeks form fertilization, as for this period a home office animal licence is not required and the vasculature is not very dense yet. Figure 60 shows how representative groups work on similar timelines over the years (Joerg Borges et al. 2003; Mancini et al. 2007; Stumpf et al. 2011; Gigliobianco, Chong, et al. 2015).
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[bookmark: _Ref433901551][bookmark: _Toc433909398]Figure 60. Chronological representation of CAM assays for the most representative studies.

Quantification of this assay is usually based on the light pictures of the CAM and on the histology slides. Scorers that have been kept blinded from the experiment will need to score the pictures from 0 to 4, depending on the degree of angiogenesis. A summary of the advantages and disadvantages of these assays are given in Table 3.
[bookmark: _Ref433902194]Table 3. Advantages and Disadvantages of in-vivo models to assess angiogenesis. Adapted from (Norrby 2006; Ribatti et al. 2014).
	Type of Assay
	Advantages
	Disadvantages

	Corneal Pocket
	Easy to visualise blood vessels
Various animal models: rabbits, rats & mice
Non-invasive observations over a long period of time
Quantitative
Mammalian 
	Not-naturally occurring angiogenesis
Highly technical 
Traumatic use of animals
Expensive due to use of animals 

	Matrigel Plug

	Not difficult to perform 
Observations over a long period of time
Suitable for screening large numbers of samples

	Analysis is time consuming
Formation of granular tissue
Unknown Matrigel composition
Expensive due to use of animals


	Dorsal skin fold
	Mammalian
Observations over a long period of time
Suitable for a variety of substrates
	Difficult to perform
Expensive due to use of animals
Almost any material would vascularise

	Zebrafish
	Whole animal
Genotype analysis of endothelial cells
Suitable for large screenings
Fast 
	Non-mammalian model
Embryonic
Expensive to establish and if maintained for long periods

	CAM
	Technically simple
Low cost
Fast
Natural immunodeficiency
Variety of substrates can be examined
	High variability
Sensitive to oxygen or foreign materials
Difficult to quantify 



Overall, they all agree that the most difficult technical problem is the accurate interpretation of the highly diverse results from these assays. Moreover, it is also difficult to compare results among groups that use different protocols for the same assay.
There has been an increase in the number of papers dealing with angiogenesis, as it is now established that is a key factor in regenerative medicine and tumour biology. However, there is a huge variation among studies in what they measure and how they measure it, as they usually show qualitative data rather than quantitative (Jain et al. 1997; Folkman et al. 2001; Auerbach et al. 2003). 
For this study, we establish the CAM model as, previously mentioned, for its simplicity and relatively low cost compared to in-vivo studies. Quantification was carried out by blind scoring of the histological slides and the light microscope pictures. 
Although these assays were originally developed for evaluation of anti-angiogenic compounds for cancer treatment, in recent years, these assays have also been used to assess angiogenesis on materials for regenerative medicine. 
The focus of this study is to use the CAM model to study the effect of heparin bound onto the surface of our scaffolds.
 Heparan Sulphates (HS), and the more sulphated pharmaceutical product heparin, are strongly anionic linear polysaccharides that are mostly found as part of membrane-bound proteoglycans (Figure 61) (Lindahl et al. 1998; Rabenstein 2002). 
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[bookmark: _Ref433903416][bookmark: _Toc433909114][bookmark: _Toc433909399]Figure 61. Heparin molecular structure (Rabenstein 2002). 

They bind an extensive variety of soluble and insoluble extracellular molecules with high affinity via a specific protein domain (Kd of 1-100 nM). This mechanism is highly functional, as HS are involved in wound healing, morphogenesis, host defence and energy metabolism (Bernfield et al. 1999).  Figure 62 shows the variety of ligands that heparin has, resulting in many functions that heparan sulphate play in the human body. 


[bookmark: _Ref444374146][bookmark: _Toc433909115][bookmark: _Toc433909400]Figure 62. Proteins found in cellular environment that bind to HS/Heparin. Adapted from (Bernfield et al. 1992; Carey 1997; Conrad 1998)


Heparin is famous medically because it is used as a powerful anticoagulant since it modulates the action of anti-thrombin III. However, heparan sulphate proteoglycans are ubiquitous in the human body, and they are found in the majority of tissues. They interact with stromal proteins such as fibronectin, laminin and collagen, playing an important role in organization of the basement membrane, extracellular matrix and cell adhesion. They also play a critical role in the host defence, morphogenesis and tissue repair by modulating interactions with ECM molecules (Varki 1993; Venter et al. 2001). 
Last but not least, heparan sulphate proteoglycans bind growth factors and cytokines that are molecules that regulates cell behaviour within the body. The family of growth factors that contain a heparin-binding domain include BMP-2, EGF, FGFs, IGF, PDGF and TGF-β. A large number of these molecules are growth factors involved in angiogenesis, such as VEGF, FGF and EGF (Dew et al. 2015). 
Already in the early ‘80s, heparin was shown to play an important role in angiogenesis for the following reasons: masts cells and mast cells-derived heparin stimulate movement of endothelial cells in-vitro (Azizkhan et al. 1980); 
Heparin increase angiogenesis induced by a tumour in the CAM assay (Taylor & Folkman 1982); heparin increases the action of acidic FGF on endothelial cells in-vitro (Thornton et al. 1983); heparin-affinity chromatography is a powerful method to purify angiogenic endothelial growth factors (Shing et al. 1984). 
Specifically for angiogenesis purposes, heparin’s high affinity with the Vascular Endothelial Growth Factor (VEGF) could be exploited to induce angiogenesis. VEGF is a powerful growth factor that induce proliferation in vascular endothelial cells. VEGF has five isoforms that results from different splicing of the same VEGF gene. They vary for their molecular weight and their biological activity. VEGF121 lacks the amino acids encoded by exons 6 and 7, lacking the ability to bind to heparin and heparan sulphates. However, the other four isoforms, VEGF145, VEGF165, VEGF189 and VEGF206 have one or both sequences form the exons 6 and 7, giving them the ability to bind heparin and heparan sulphate (Gera Neufeld et al. 1999). Specifically, VEGF165 used in this study, has both the sequences from exons 6 and 7 and it has heparin binding ability and it is commonly secreted in the medium (Park et al. 1993; Choen et al. 1995).  
The aim of this chapter is to evaluate the angiogenic activity of scaffolds with modified surfaces previously explained in chapter 4. We initially evaluated if heparin alone could induce angiogenesis, compared to heparin loaded with VEGF. Successively, we conditioned the functionalised scaffolds with human serum, to see if it was possible for the heparin to sequester growth factors from a heterogeneous solution. All these angiogenic chemokines are already present in human blood in physiological conditions (Weatherby & Ferguson 2002). Thus heparin should be able to sequester these growth factors already present in solution.   
5.2. [bookmark: _Toc447348763]Results 
5.2.1. [bookmark: _Toc447348764]Angiogenic activity Assay
As previously stated, the Chorionic Allantoic Membrane (CAM) assay is commonly used to assess the angiogenicity of biomaterials (Valdes et al. 2002). Initially, the CAM assay was used to verify the functionality of the heparin alone, compared to heparin loaded with VEGF. Scaffolds coated with heparin only and scaffolds coated with heparin and VEGF were implanted in the CAM model. CAM images did not look conclusive so histology was used to quantify the differences in cell infiltration and angiogenesis between scaffolds coated with heparin and heparin conditioned with VEGF. Figure 63 shows a sample of the histological sections of the two types of scaffolds stained with H&E. 
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[bookmark: _Ref433903805][bookmark: _Toc433909401]Figure 63. H&E of plain PLLA and coated PLLA that has been conditioned with VEGF. They both have been implanted in the CAM and retrieved at Day 7 from fertilization. After explantation, scaffolds were fixed with paraformaldehyde and processed for H&E. 

Histology did not enable the visualisation of blood vessels, therefore, immunohistochemistry was carried out to be able to visualise better endothelial cells.
Cell infiltration was observed on PLLA scaffolds coated with heparin only. However, more cell infiltration and extracellular matrix production was observed on coated scaffolds that have been conditioned with VEGF, compared to scaffolds coated with heparin only. Quantification of the images was carried out by 4 assessors unaware of the variables of the experiment. Slides were also stained for endothelial marker CD31 to visualise infiltration of endothelial cells. 
[image: ]
[bookmark: _Ref433903879][bookmark: _Toc433909402]Figure 64. Stain for CD31 as endothelial markers for scaffolds implanted in the CAM. Scaffolds coated with heparin only were compared to scaffolds coated with heparin and VEGF. The Chorionic Allantoic Membrane was used as positive control.
Figure 64 shows the presence of endothelial cells in the scaffolds coated with heparin and VEGF, but there were no positive CD31 stained cells seen in the uncoated PLLA and heparin coated PLLA scaffolds. 
Quantification of the CAM assay shows that there is a significant difference between scaffolds coated with heparin only and scaffolds coated with heparin and VEGF. *
*

[bookmark: _Ref433903565][bookmark: _Toc433909118][bookmark: _Toc433909403]Figure 65. Quantification of the CAM assay for scaffolds coated with heparin only and scaffolds coated with heparin and conditioned with VEGF (Chapter 2.3.4). Cell infiltration was quantified by the visual amount of collagen and cell nuclei inside the scaffold. Angiogenesis was quantified by the number of blood-vessel like structures within the scaffold. They were both quantified based on histology images. Cell infiltration was quantified using arbitrary units, where 0, indicates little cell infiltration, to 3, with extensive cell infiltration and more collagen production. A two tailed T test was performed to see if there was any statistical difference (* = p < 0.05) (± SD). 

The latter shows increased cell infiltration, ECM production and the number of blood vessels infiltrated into the scaffold (Figure 65). 
This experiment shows that the presence of an angiogenic chemokine (VEGF in this instance) is important to induce angiogenesis. Moreover, heparin alone in a not-inflamed scenario like the CAM does not induce angiogenesis, although it does not interfere with cell infiltration. The presence of heparin is important because it binds growth factors, as previously shown in Chapter 4.
Following these results, the coating with heparin and VEGF was applied to different substrates to demonstrate the versatility of this approach.
Plain PU and PU coated with heparin and VEGF were implanted on the CAM (Figure 66).   
[image: ]
[bookmark: _Ref433904191][bookmark: _Toc433909404]Figure 66. Plain PU and PU coated with heparin and VEGF were implanted on the CAM. Eggs were fertilised at day 0 and incubated at 37 degrees Celsius. Scaffolds were implanted at Day 8 of fertilization on top of the CAM membrane. 

The scaffolds were then retrieved from the eggs to be able to better examine the vascularization around the material (Figure 67). 
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[bookmark: _Ref433904235][bookmark: _Toc433909405]Figure 67. Retrieved plain PU and PU coated with heparin and VEGF from the CAM at Day 14. Scissors were used to cut the CAM around the scaffolds and scaffolds were imaged straight after explantation.  
[image: ]Although the CAM images were not very clear, images of the PU retrieved scaffolds show a visible difference between plain and coated scaffolds. The difference was blindly quantified by 4 assessor and also by an image analysis software (Figure 68).  [bookmark: _Ref433904391][bookmark: _Toc433909121][bookmark: _Toc433909406]Figure 68. Differences in colour elements in the PU scaffolds retrieved from the CAM. Colour was quantified by ImageJ software; 3 areas of the scaffolds were quantified for the percentage of each primary colour in the picture; an average was calculated, to represent the whole picture. As the colour quantified was a brown-like colour, the amount of red is inversely proportional to the amount of brown. A two tailed T test was performed to see if there was any statistical difference between the two colours of the scaffolds (± SD).  

PU scaffolds coated with heparin and VEGF looked redder compared to plain PU after being retrieved from the CAM model (Figure 67). Pictures were brown the image software divided the brown colour into the primary colours, based on the rationale that different brown shades have various amount of primary colours in them. Quantification with the image software also shows a significant difference in amount of red in the pixels among the light pictures taken (Figure 68).  Four assessors that were kept blinded to the nature of the images they were reviewing scored the scaffolds with arbitrary units, from 0, transparent/white through to 4, bright red/numerous vessels visible. They confirmed that there was a significant difference between the plain and the coated scaffolds (Figure 68).  PU scaffolds were also analysed with SEM, to visualise the growth of extracellular matrix around the scaffolds (Figure 69). 
[image: ]
[bookmark: _Ref433904609][bookmark: _Toc433909407]Figure 69. SEM of electrospun PU explanted from the CAM (plain versus coated). Plain and coated scaffolds were explanted at day 14 from the CAM, fixed with parafolmahyde and processed for SEM imaging.

Both PU scaffolds, plain and coated, have the CAM extracellular matrix growing around them uniformly. At high magnification, it was not possible to find blood vessels on the plain scaffolds while it was possible to find some on the functionalised ones.  
The same experiment was performed with PP scaffolds. Plain PP scaffolds and coated PP scaffolds with heparin and VEGF were implanted in the CAM model and angiogenic activity was assessed (Figure 70). 
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[bookmark: _Ref433904646][bookmark: _Toc433909408]Figure 70. CAM images of the plain PP and coated PP with heparin and VEGF. Plain PP and PP coated with heparin and VEGF were implanted on the CAM. Eggs were fertilised at day 0 and incubated at 37 degrees Celsius. Scaffolds were implanted at Day 8 of fertilization on top of the CAM membrane. 

Light camera pictures of the CAM assay did not show a difference between plain and functionalised PP. This is probably due to the messy background of the CAM, where the yolk and the chick embryo stand in the way of a clear visualization. Thus, scaffolds were retrieved from the egg and they were imaged on a neutral background. 
It was then possible to see differences between implanted plain PP and implanted functionalised PP (Figure 71). Images of the extracted scaffolds were evaluated by four blind assessors and by ImageJ. Blind evaluation confirmed that there is an increase in the presence of blood vessels around and within the functionalised scaffolds. 
[image: ]
[bookmark: _Ref433904734][bookmark: _Toc433909409]Figure 71. Extracted scaffolds from the CAM: plain PP versus functionalised PP. Retrieved plain PP and PP coated with heparin and VEGF from the CAM at Day 14. Scissors were used to cut the CAM around the scaffolds and scaffolds were imaged after being fixed in paraformaldehyde.  

Moreover, quantification of the images of the extracted scaffolds with ImageJ confirmed differences in colour (Figure 72). 
Colour differences were quantified using ImageJ and show that there is a quantifiable and significant difference between the plain scaffolds (more white) and the coated ones (more red).  
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[bookmark: _Ref433904799][bookmark: _Toc433909410]Figure 72. Quantification of the differences in the colour present in the explanted PP meshes. Colour was quantified by ImageJ software; 3 areas of the scaffolds were quantified for the percentage of each primary colour in the picture; an average was calculated, to represent the whole picture.  As the colour quantified was a brown-like colour, the amount of red is inversely proportional to the amount of brown. A two tailed T test was performed to see if there was any statistical difference between the two colours of the scaffolds (± SD).  
 

Table 4 shows the proportions of blue and red contained in the pictures of the retrieved scaffolds. Coated PU has the bigger proportions, resulting from a high amount of red in the pictures from the blood vessels. 
[bookmark: _Ref444450278][bookmark: _Ref444450270]Table 4. Colour proportion among retrieved scaffolds.
	Blue/Red proportions

	
	Control
	plus VEGF

	PU
	1.87
	5.93

	PP
	1.05
	1.61






Explanted scaffolds also showed a visible difference between plain scaffolds and coated scaffolds, also confirmed by a semi-quantitative scoring system (Figure 73). [bookmark: _Ref433905042][bookmark: _Toc433909126][bookmark: _Toc433909411]Figure 73. Quantification of angiogenic activity of plain PU scaffolds compared to PU scaffolds coated with heparin and VEGF based on the light pictures of the explanted scaffolds. Assessor scored light pictures of the explanted scaffolds from 0, transparent/white to 4 to bright red/numerous vessels visible. Two tailed T-test was performed to check for statistical significance (± SD). 
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PP was also imaged with SEM to visualise how the CAM wraps the PP scaffolds (Figure 74).
[bookmark: _Ref433905319][bookmark: _Toc433909412][image: ]Figure 74. SEM of Gynemesh after explantation from the CAM. A piece of CAM was used as control (first two pictures). The plain and coated PP were implanted on the CAM for a period of 7 days and they were explanted in the same way.PP scaffolds
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The same magnification was used, and it is possible to see that the CAM is patchy on the plain PP fibres but it is uniform on the coated PP scaffold. This suggests that the coating improve cell-compatibility and matrix production. At high magnification, it was also possible to visualise small blood vessels on the surface of the coated PP (Figure 74).  
We initially used a pure solution of VEGF that however, does not reflect reality. Once the material is implanted, it is in contact with the human blood and plasma in the first instance. So, after verifying that the coated scaffolds could bind VEGF and they become more angiogenic, we aimed to perform an experiment that would resemble the conditions in-vivo. Thus, we aimed to coat the scaffolds with heparin and platelet rich plasma (PRP).
 Blood was harvested from volunteers and plasma and platelets were separated from the red blood cells. The plasma obtained was used to condition the coated scaffolds. After conditioning, the scaffolds were implanted in the CAM to assess any signs of angiogenesis induced by the plasma. PLLA was tested first with 3 different human plasmas and it was compared to the positive control (Figure 75).
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[bookmark: _Ref433905450][bookmark: _Toc433909413]Figure 75. CAM images of fully coated PLLAs conditioned with VEGF, compared to fully coated PLLA conditioned with human plasma that have been implanted on CAM after 7 days of fertilization. Eggs were fertilised at day 0 and incubated at 37 degrees Celsius. Scaffolds were implanted at Day 8 of fertilization on top of the CAM membrane.

Scaffolds coated with heparin and human plasma gave the same positive response than scaffolds coated with heparin and VEGF. These images were blindly scored by four assessors (Figure 76). ns
ns
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[bookmark: _Ref433905554][bookmark: _Toc433909414]Figure 76. Quantification of number of blood vessels around scaffold coated with VEGF versus scaffolds coated with human plasma. Assessors counted the number of blood vessels based on light micrograph pictures of the explanted scaffolds. 3 pictures per scaffolds were taken. 3 scaffolds per type were produced for 3 different experiments. Two tailed T-test was performed to verify statistical difference (± SD). 

There was no significant difference between the number of blood vessels in and around the PLLA coated with VEGF, compared to the one conditioned in human plasma (Figure 76). Scaffolds were then retrieved for histological analysis. Figure 77 shows H&E and Gouldner’s trichrome sections of the coated PLLA. 
 [image: ]100 µm

[bookmark: _Ref433905664][bookmark: _Toc433909415]Figure 77. Histology sections of PLLA once explanted from the CAM. Plain PLLA was compared to PLLA coated with heparin and human platelet rich plasma. (They all have the same scale). After explantation, scaffolds have been fixed and sectioned for H&E stain. 

Slides were also stained for CD31 to confirm the presence of endothelial cells in our scaffolds (Figure 78). 
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[bookmark: _Ref433905718][bookmark: _Toc433909416]Figure 78. CD31 stain in PLLA scaffolds extracted from the CAM. PLLA scaffolds coated with VEGF were compared to PLLA scaffolds coated with human plasma. Control used was a plain piece of CAM that has been extracted from a 14 days old egg.

Blood vessels are visible around and within the scaffolds, and the collagen produced appeared increased in the scaffolds coated with human plasma compared to the plain PLLA scaffolds. This shows that growth factors have indeed bound onto the surface of the scaffolds and were inducing an angiogenic response in the CAM.  Similar results were obtained when human plasma from three different individuals were tested. Taking into consideration biological variability, all of the three different sera showed an increase in blood vessels on the scaffolds (Figure 77). Moreover, the presence of positively stained cells with CD31 suggests that endothelial cells have moved towards the scaffold. 
Plain PLLA, once retrieved, was white, compared to the scaffolds that have been coated with human plasma, where blood vessels were visible on and around them (Figure 79).
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[bookmark: _Ref433905874][bookmark: _Toc433909417]Figure 79. Explanted PLLA from the CAM. Plain PLLA and PLLA coated with heparin and 3 different human plasmas were implanted on a CAM. Pictures are representative of 3 different experiments with 3 different human plasma.
 
The experiment was repeated with the other two substrates, PP and PU. Both PU and PP were coated with heparin and conditioned with human platelet rich plasma. They were then placed on the CAM to check for angiogenic activity (Figure 80).
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[bookmark: _Ref433905984][bookmark: _Toc433909418]Figure 80. Pictures of the CAM of retrieved Plain PU and coated PU scaffolds. Scaffolds were implanted on the CAM at Day 7 from fertilization. Scaffolds were retrieved at Day 14 from fertilization. Scissors were used to cut around the scaffold, keeping the CAM intact. Pictures are representative of 3 different experiments. 

Plain PU scaffolds retrieved from the CAM looked whiter compared to the coated PU scaffolds that looked red and more vascularised. Similar results were obtained when plain PP was compared to coated PP with human plasma (Figure 81).
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[bookmark: _Ref433906108][bookmark: _Toc433909419]Figure 81. Pictures of the CAM of retrieved Plain PP and coated PP scaffolds. Scaffolds were implanted on the CAM at Day 7 from fertilization. Scaffolds were retrieved at Day 14 from fertilization. Scissors were used to cut around the scaffold, keeping the CAM intact. Pictures are representative of three different experiments. 



 It is possible to observe that PP scaffolds are not as red as PU scaffolds that is probably due to the nature of the scaffolds (i.e. big pores and big fibres). However, a difference between plain PP and coated P is visible where coated PP are surrounded by tissue and blood vessels, while plain PP are not. Due to the nature of these scaffolds, it was very difficult to do histology, so quantification was carried out by four assessors on the basis of examining the light pictures of the CAM and the retrieved scaffolds (Figure 82).
[bookmark: _Ref433906166][bookmark: _Toc433909135][bookmark: _Toc433909420]Figure 82. Semi-quantification by the four assessors based on the light pictures of the retrieved scaffolds. Assessors used arbitrary units to score the light pictures, were 0, transparent/white to 4, bright red/numerous vessels visible. 3 pictures per scaffolds were taken. 3 scaffolds per type were produced for 3 different experiments. Two tailed T-test was performed to verify statistical difference (± SD). 
P < 0.05
P < 0.05

 









After quantification, there was a significant difference between plain and coated scaffolds. The coated scaffolds showed an increased number of blood vessels around them compared to the control (Figure 84). 
[image: ]Figure 83. Quantification of number of blood vessels around scaffold coated with VEGF versus scaffolds coated with human plasma. Assessors counted the number of blood vessels based on light pictures of the explanted scaffolds. 3 pictures per scaffolds were taken.

5.3. [bookmark: _Toc447348765]Discussion
The first step of this study aimed to show if heparin alone could induce angiogenesis, or if heparin has to be loaded with growth factors. PLLA scaffolds coated with heparin were compared to scaffolds coated with heparin and VEGF using the CAM assay. This first analysis was performed on PLLA only to check its feasibility. Results show that heparin alone, in a non-inflammatory situation like the CAM, does not induce angiogenesis. However, if heparin is left in a solution containing growth factors, like a pure solution of VEGF, it would sequester them from a solution, making the scaffold angiogenic. Similar results were obtained when PU and PP were coated with the same protocol where more angiogenesis was visible in the coated scaffolds. 
Secondly, coated scaffolds were conditioned with platelet rich plasma, instead of pure VEGF solution, to recreate similar in-vivo conditions. Again, plasma conditioned scaffolds appeared to induce more matrix production and more blood vessels. However, differences in performance among scaffolds were visible, and it is worth discussing these differences that are probably caused by the different natures of the scaffolds used.
5.3.1. [bookmark: _Toc447348766]PLLA
PLLA was the best performing scaffold and it was used to initially prove the functionality of our coating. PLLA scaffolds coated with heparin alone were compared with PLLA coated with heparin and VEGF. Results show that heparin alone is not angiogenic. However, it has the ability to bind growth factors that are chemoattractant for endothelial cells. This study is consistent with recent studies where heparin was used to stabilise and bind VEGF to make materials more angiogenic. Initial studies included heparin to stabilise VEGF for slow release in particles aimed at pharmacological therapies (Cleland et al. 2001; Perets et al. 2003; Chung et al. 2006). More recently, the same rationale was applied to materials for medical applications. Heparin is used, either within the material or as a coating, to make the material able to bind growth factors. These studies are all based on the same principle that heparin is able to bind and stabilise growth factors with heparin-binding sites such as  VEGF, EGFs and FGFs (Ekaputra et al. 2011; Kim et al. 2011; Guo et al. 2012; Z. Wang et al. 2012; B. L.-P. Lee et al. 2012; Huang et al. 2013; Wu et al. 2014; Pitarresi et al. 2014; C. D. Easton et al. 2014; Steffens et al. 2004; Bezuidenhout et al. 2010; Hou et al. 2010; Singh et al. 2011; Schmidt et al. 2011). 
However, heparin is usually covalently bound onto the substrate, making its availability limited. This study instead focuses on a method to electrostatically bind heparin on the surface. The first part of this study validated the functionality of the coating. It has been shown for the first time on electrospun mats, compared to commercially available polypropylene meshes, that coating with heparin and VEGF induced endothelial cells proliferation (C D Easton et al. 2014). Following that, we carried the project forward to show that this coating is angiogenic in the CAM assay. We used the CAM assay because it is currently used and universally accepted as a screening method for angiogenesis (Valdes et al. 2002; J Borges et al. 2003; Baiguera et al. 2012). The CAM assay allowed us to verify that scaffolds coated with heparin and VEGF induce an angiogenic response (Gigliobianco, Chong, et al. 2015).
After verifying that the heparin coated PLLA could sequester VEGF from a solution, we mimic the in-vivo scenario by conditioning the heparin coated PLLA with human platelet rich plasma. This was based on the basis that the first liquid to be in contact with the scaffold as soon as it is implanted is human plasma and erythrocytes.  All of the scaffolds coated with platelet rich plasma appeared angiogenic, despite the biological variability among them.  The use of human plasma has been long known and recently used to induce a positive body reaction: clotting, wound healing, endothelial cells proliferation, angiogenesis and tissue integration (Marx 2004; Schade & Roukis 2008; Nikolidakis & Jansen 2008; Intini 2009; Horimizu et al. 2013; Sánchez-Ilárduya et al. 2013; Diaz-Gomez et al. 2014; La & Yang 2014; Anitua et al. 2015).  This is due to the growth factors present within the plasma that have been sequestered by the heparin on the surface of the scaffolds. 
Moreover, these growth factors have been shown to be responsible for angiogenesis. Numerous studies have confirmed that heparin sequesters growth factors in a heterogeneous solution. Already in the early 80’s it was shown that endothelial growth factors have a high affinity for heparin. Endothelial growth factors were shown to be angiogenic in the CAM and the rat cornea assay (Shing et al. 1983; Shing et al. 1984). Soon after, many other endothelial growth factors were found to have a high affinity with heparin (D’Amore & Klagsbrun 1984; Lobb & Fett 1984; Gospodarowicz et al. 1984; Maciag et al. 1984; Courty et al. 1985; Esch et al. 1985; Gimenez-Gallego et al. 1985; Sullivan & Klagsbrun 1985; Abraham et al. 1986).     
We have shown this by conditioning the heparin coated scaffolds with VEGF. We took this forward by conditioning the scaffolds with platelet rich human plasma (PRP),to verify that heparin was able to bind growth factors present in a heterogeneous solution such as  human plasma. The advantages of using human plasma are that it is autologous so move straightforward to take to the clinic than recombinant growth factors, conditioning can be performed in the operating theatre and it is cheaper than commercially available growth factors.  Recent studies have also used PRP as part of the scaffold to improve the material’s biological properties. In a recent study of Kim et al., PRP was incorporated into gelatin particles. Addition of PRP to the gelatin particles resulted in recruitment of macrophages to the site and bone remodelling (Kim et al. 2014). Moreover, another study mixed PRP in a gel with Schwann cells to fill nerve conduits made of PLGA. After implantation in rabbits, a conduit with PRP had a positive effect on nerve regeneration (Ye et al. 2012).  Also a study of He et al. confirmed that the presence of PRP was also beneficial for tissue regeneration. PLGA and calcium phosphate cement were mixed with PRP for bone repair in rabbits. 
The presence of PRP boosted bone formation and scaffold degradation. They also showed that angiogenesis increased when PRP was present (He et al. 2014). Two studies have been found where PRP was used to modify scaffolds made of poly-lactic fibres. Lee et al. incorporated PRP into a PLGA woven mesh (Vycryl) by various strategies. They confirmed that the presence of platelet related plasma improved cell adhesion and spreading (Lee et al. 2015). In a similar study, PLLA was mixed with various concentrations of PRP and then electrospun into aligned and random fibres. Scaffolds with PRP showed enhanced cell proliferation and adhesion to the scaffolds (Diaz-Gomez et al. 2014). However, for both of these studies, angiogenesis was not tested. 
Compared to all the studies previously mentioned, the study depicted in this thesis shows a novel approach to electrostatically binding heparin onto the surface of electrospun PLLA and then loading it with human plasma. We also showed that this method of coating PLLA is also angiogenic in an in-vivo model.
The coating, although it was possible to have 3 layers, the study carried on with 7 layers for comparison purposes. We advanced this project by testing the coating on two other different substrates, an electrospun PU mat that represent the future generation of urological materials, and a knitted PP mesh, that represents the gold standard for reconstructive urology. 
5.3.2. [bookmark: _Toc447348767]PU
PU is often used for cardiovascular applications, such synthetic vessels. Due its adaptable properties, it is often considered an ideal biomaterial for soft tissue engineering (Zdrahala & Zdrahala 1999).  They are biocompatible, indifferent to hydrolysis and flexible, that are often the wanted properties for materials for soft tissues regeneration (Eloy et al. 1988). 
We also confirmed the biocompatibility of PU as SEM pictures show that extracellular matrix enveloped the explanted PU scaffold both plain and coated, suggesting that PU is cell-friendly. Other studies also have shown that PU is cell friendly but, according to the applications, it might not be desirable, especially for cardiovascular materials (Zhang et al. 2015). These materials will need to be anti-thrombogenic to avoid blood clotting when in contact with the material. Therefore, coating PU materials with heparin is desirable for heparin’s anti-thrombogenic effect (Gott et al. 1963; Chung & Ellerton 1976; Ito 1987). Various methods have been used to bind heparin to PU surfaces, from ionic exchange, surface blending, covalent bonding and surface coating (Brynda et al. 2000; Weber et al. 2000).
However, not many studies have investigated the potential to bind heparin to PU for angiogenic purposes. One study was found to consider PU for its angiogenic potential. A PU sponge was polymerised with PRP using thrombin and HUVECs and osteoblasts were culture on it. However, the study did not report  whether PRP supported cell growth and vascularization (Hofmann et al. 2008).   
Therefore, we explored the possibility to make PU angiogenic for other purposes rather than cardiovascular. PU is such a flexible material that would be very suitable for urological applications. Our investigation confirmed the possibility of using heparin to bind growth factors and make otherwise inert PU meshes into angiogenic materials.
However, knitted or woven PP meshes are still the gold standard for urological reconstruction. We wanted to verify the feasibility of this  coating on existing materials such as PP meshes.  
5.3.3. [bookmark: _Toc447348768]PP
Overall, PP was the worst performing scaffold among the three. Although cell infiltration and angiogenesis was improved due to the coating, the extracellular matrix produced and number of blood vessels was less compared to the previous two scaffolds. This is probably due to its very big pores and to the nature of the CAM that is a very loose collagen matrix and the PP does not offer a good scaffold for CAM support. Cells have difficulties in bridging big pores. Moreover, quantification of inflammation caused by the material is limited in the CAM due to the lack of inflammatory cells within the first 11 days of embryo development. Previous studies have reported that PP mesh provokes a fairly pronounced inflammation, leading to a massive cell infiltration into the scaffold and ultimately to collagen production (Kuznetsov et al. 2004b; Rabah et al. 2004b; Bazi et al. 2007; De Almeida et al. 2007; Huffaker et al. 2008; Woodruff et al. 2008; Elmer et al. 2009; Pierce et al. 2009).  
However, in a simple system like the CAM, inflammation and ECM production are difficult to assess. Yet, it was possible to observe from the SEM that cell attachment and ECM production were improved after the coating. It is possible to observe that single cells struggle to form a network on plain PP, but a uniform sheet of collagen and cells is visible on coated PP. 
Recently, many studies have focused on coating PP with mainly ECM components to improve its biocompatibility. Examples include collagen and heterogeneous hydrogels from ECM substrates. Only one study was found to coat PP with titanium carboxonitride but they did not find that the coating improved the PP biocompatibility (Lehle et al. 2004). 

A couple of studies compared PP with PP coated with collagen but they did not find that the collagen improved prosthesis integration, inflammation or cellular response (Pierce et al. 2011; Lukasiewicz et al. 2013). However, recent studies have shown that it is possible to induce an M2 macrophage response, leading to tissue remodelling. Schug-Pass et al. compared Dyanamesh IPOM (PP + PVD), Proceed (PP + cellulose, Ethicon) and Parietene Composite (PP + collagen, Covidien) in a porcine model. They showed that collagen coated meshes had better tissue integration (Schug-Pass et al. 2009). Also, a couple of other studies compared plain PP to a purified collagen-coated PP where the presence of collagen improved remodelling, decreasing inflammation. Moreover, the PP mesh with the collagen coating had more blood vessels present and increased expression of metalloproteases 2 and 3 (Siniscalchi et al. 2013; Dias et al. 2014). Similarly, the Badylak group also reported similar findings; they compared plain PP mesh to a PP mesh coated with a heterogeneous hydrogel of ECM components from bladder and dermis. The coating modulated the macrophage response towards the material, from a M1 to an M2 response, suggesting that the ECM present in the hydrogel played a role in changing the macrophages polarization inducing tissue remodelling, over a period of 3 months (Faulk et al. 2014; Wolf et al. 2014).
Therefore, it is clear that the surface of the material is extremely important to modulate inflammation and ultimately tissue remodelling. Our study is novel in the extent that no studies were found that used heparin to coat polypropylene with the aim to make it more angiogenic. The majority of the studies use heparin to coat PP for its anti-clotting ability and to improve blood compatibility (Tyan et al. 2002; Degoutin et al. 2012; Guo et al. 2013). 

5.4. [bookmark: _Toc447348769]Conclusion
In conclusion, this chapter evaluated in-vivo the angiogenicity of the coating on different substrates. Initially, we tested if heparin alone could be angiogenic but we found that it wasn’t. However, we confirmed that heparin on the surface is useful as it binds growth factors in solution. Initially, the scaffolds coated with heparin were immersed in a solution of pure VEGF and implanted in the CAM to verify their angiogenicity. The CAM showed that there was an increase number of blood vessels in the coated scaffolds compared to the plain ones. 
We carried that further when coated scaffolds were conditioned with human plasma to test if heparin sequestered plasma’s growth factors and made the scaffolds angiogenic. All three scaffolds appeared angiogenic after conditioning with human plasma. This type of scaffold conditioning may be a great option for surgeons as it can be carried out in the theatre. 
A limiting factor of this study is the variety of substrates involved. Due to the different natures of the scaffolds (materials, properties …), it was difficult to compare their biological properties and to design experiments to take all these factors into consideration.
Additional limitations of this study include the huge difference in CAM response that made the quantification of the CAM model semi-quantitative. Moreover, the short term CAM experiment, although it was convenient to be short, the full development of the chick could not exploited.  
6. [bookmark: _Toc447348770]Summary and Future Works 
This study aimed to electrostatically bind heparin onto the surface of electrospun (PLLA and PU) and knitted scaffolds (PP). The coating is relatively low technology, inexpensive and reliable (C D Easton et al. 2014). We also showed that the coating is able to bind pro-angiogenic growth factors from human plasma. 
Overall, it is possible to say that PLLA was the best performing scaffold, closely followed by PU. Biologically speaking, the worst performing scaffold was PP, due to its highly porous structure and big fibres. Electrospun PLLA and PU proved very suitable for cell culture and cell infiltration, making them good choices for future studies.
It is possible then to consider the usefulness of each type of scaffold related to the coating. It is also applicable to many materials, from non-woven biodegradable (PLLA) to knitted non-degradable (PP) materials. PLLA, being degradable and more prone to surface etching, is probably the best performing scaffold because of the high surface porosity that allows more heparin to be bound onto the surface compared to PU and PP.
Table 5. Overall performance of the substrates used for the coating.
	
	PLLA
	PU
	PP

	Physical properties
	Biodegradable
Non-woven
	Non-degradable
Non-woven
	Non-degradable
Knitted

	Heparin binding
	+++
	++
	+

	VEGF binding
	+++
	++
	+

	Angiogenesis in the CAM assay with plasma coating
	+++
	+++
	++




6.1. [bookmark: _Toc447348771] It adds to knowledge  
This is the first ever study that shows that PEI and PAC can be used for a layer-by-layer coating on an electrospun mat. Moreover, the study also demonstrated the functionality of the coating in an in-vivo model. It was also shown the feasibility to use heparin to sequester growth factors from a heterogeneous solutions such as human plasma to make a scaffold angiogenic. 
6.2. [bookmark: _Toc447348772] It is useful 
This coating was shown to be useful as it could be applied to three different substrates. Other studies have shown that it is possible to make scaffolds ore angiogenic. However, they often coat flat surfaces or they mix active compounds with the polymer. In this study, we aimed to develop a surface coating for non-woven and knitted flat scaffolds that would cover the upper fibres of the scaffold. 
The rational for developing a surface coating is to make the molecules readily available straight after implantation. This approach is clinically relevant in scenarios where vascularization is difficult and urgently required such as pelvic floor reconstruction in women with weakened collagenous tissues.. 
A surface coating has the advantage of releasing the molecules of interests faster because it is on the surface, compared to other approaches where the molecule is mixed within the polymers of the scaffold. If a molecule is mixed with the scaffold, the scaffold will need to degrade before releasing the molecule. However, if the molecule is adsorbed on the surface, it is released without waiting for the scaffold to degrade. 

6.3. [bookmark: _Toc447348773] It is inexpensive
Moreover, this approach, although research intensive while in development, could be made to be very inexpensive. Although the first step seems technically difficult, it is not very expensive and plasma polymerization can be carried out in large batches.
The subsequent steps of dip coating could be automated. The use of heparin is also a strategic choice as it is already in use clinically, and it is also affordable in the NHS. 

6.4. [bookmark: _Toc447348774]Future Work
As this study is the first of its kind to test the angiogenic potential of this type of coating, additional investigations are needed if this technology is to be taken into the clinic. This study gathered evidences of the chemistry of the coating and that this coating is angiogenic. 
This study is coherent with recent studies that have taken into considerations modifying the surface of materials with heparin to improve biocompatibility and induce an angiogenic response by directing endothelial cells behaviour. These studies indicates new trends in developing smarter materials that activally interact with the human body (Leijon et al. 2013; H. G. Wang et al. 2013; David E Robinson et al. 2014; Zhou et al. 2016). This study gathered further evidences of the feasibility of a coating approach of existing materials to induce a tissue response. However, no clinical product is currently available that combines heparin on a surface to induce angiogenicity. This is because the development of such a product includes various challenges and further studies are required. 
Firstly, studies that  investigate interactions between heparin and the human plasma in more detail will need to be carried out to understand what factors bind to heparin, in addition to the kinetics and stability of the interaction. Although the focus of this study was the biological function of the coating, it would also be important to fully characterise the properties of the material after the coating as mechanical properties might get affected by the coating processing. This might influence the performance of the material once implanted. These tests would include tensiometric tests to verify stress and strain that the material can withstand once functionalised. Stitch retention test and burst test would also be useful as the material will need to be stitched in place and resist to abdominal pressure. 
Therefore, the overall evaluation of the material will have to take into consideration both biological and mechanical properties of the final product. This will need to happen in appropriate animal models, where the material is under mechanical and biological strain within the animal. Straightforward animal models include mice and rabbits; however, more complex and relevant models include sheep and procine models. 
We used the CAM assay to test the functionality of our coating. However, efforts can be spent in making the CAM more quantitative and increase the experimental yield.
Once the properties of the materials are fully known, both mechanical and biological, it would be useful to think towards a commercialization of this approach. Figure 84 depicts the basic steps to take into consideration for commercialization of this technology.   
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[bookmark: _Ref433906515][bookmark: _Toc433909421]Figure 84. Diagram defining each step for the commercialization of this product.

Although this study showed the feasibility and utility of an electrostatic coating to induce angiogenesis, it did not fully investigate the coating as a clinical product. 
For regulatory purposes, further studies on the stability of the coating, sterility and biocompatibility would be needed. Hypothetically, this product can be marketed as a material coated with 7 layers only, leaving the heparin and human plasma step to be done last in the operating theatre. Preferably, it could also be marketed as a material coated with 7 layers and heparin, leaving only one step to be done in the theatre, the coating with human plasma. Both types of product will need to be compared and evaluated. Although results show that 3 layers of coating would still bind enough VEGF, the studied carried with 7 layers to be able to compare different substrates, as initially 7 layers were used on the PLLA substrate, and to follow recent literature (C D Easton et al. 2014).
After establishing what the best combination is it is important to establish a sterility assay appropriate for the coating, as sterilisation may affect the chemistry and the functionality of the scaffold; therefore, after testing various sterility strategies, the coating will have to be tested again for its chemistry and functionality. 
After that, biocompatbility tests will have to be performed to demonstrate that the coating is safe in middle size animals, such as mice or rabbits, for a period clinically relevant like 28 days.
The most appropriate in-vivo animal would probably be diabetic mouse, as diabetic mice wounds heal slowly. Therefore, the scaffold could show its ability to induce angiogenesis, heal the wounds faster with hopefully no-side effects. 
  It is also important to consider how this product can be made convenient and economical to use. 
Further studies will involve studies on the best packaging to ensure a long and stable shelf-life for the coated material. It would be useful to investigate the optimum storage and packaging conditions to preserve the coating and the material itself, in order to maximise the material’s shelf life and functionality of the coating when ready for conditioning with human plasma. Ideally, the product will be kept dried under vacuum with a desiccator, in a fridge to lengthen the shelf life. Moreover, further studies will need to test additional controls, for each step of the coating protocol, to verify how the scaffold is affected after each step.
All these investigations will form the technical file for this new material to be brought to the market and comply to the EU Regulations. 

This study was a stepping stone to demonstrate the feasibility of surface coatings to improve existing materials for urological applications, in addition to give more options for developing materials for the future. It is possible to functionalise the surface of new and existing materials for urological applications. The use of heparin and human plasma show how the surface of a scaffold can be made angiogenic using existing technologies, opening new frontiers for biomaterials modification. 
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Studies involved in making electrospun scaffolds angiogenic by MICROFABRICATION
	Authors
	Paper Title
	Summary

	(Fioretta et al. 2014)
	Differential Response of Endothelial and Endothelial Colony Forming Cells on Electrospun Scaffolds with Distinct Microfiber Diameters
	PCL was electrospun at various settings to produce a range of fibers diameter. Angiogenesis was assessed by seeding the scaffolds with functional endothelial cells and HUVECs.

	(Walthers et al. 2014)
	The effect of scaffold macroporosity on angiogenesis and cell survival in tissue-engineered smooth muscle.
	PCL was electrospun and holes were cut using a laser cutter. Scaffolds were implanted in animals.

	(Joshi et al. 2013)
	Macroporosity enhances vascularization of electrospun scaffolds.
	Electrospun polycaprolactone was perforated using a laser cutter (300, 160 and 80 µm). They were implanted in rats peritoneal cavity.

	(Garg et al. 2013)
	Macrophage functional polarization ( M1 / M2 ) in response to varying fiber and pore dimensions of electrospun scaffolds
	Polydiaxanone was electrospun at the same settings but varyin the concentration of the polymer in solution creating range of pores and fibers diameters.  

	(Yang et al. 2013)
	In vivo bone generation via the endochondral pathway on three-dimensional electrospun fibers.
	Blend of PLGA and PCL electrospun. Scaffolds were implanted subcutaneously in nude rats. Blood vessels formation after 8 weeks. 

	(Sekiya et al. 2013)
	Efficacy of a poly glycolic acid (PGA)/collagen composite nanofibre scaffold on cell migration and neovascularisation in vivo skin defect model.
	Nanofibres of PGA and collagen were elctrospun. Scaffolds were implanted in a mouse wound model. Histology after 5 and 7 days after implantation showed high cell density and increased capillaries number. 

	(Rnjak-Kovacina et al. 2011)
	Tailoring the porosity and pore size of electrospun synthetic human elastin scaffolds for dermal tissue engineering.
	Elastin was electrospun in mats of various porosities by changing the flow rate. Scaffolds were implanted subcutaneously in mice. 



[bookmark: _Toc447348777]Appendix II 

Studies involved in making electrospun scaffolds angiogenic by CELL SEEDING
	Authors
	Paper Title
	Summary

	(Fu et al. 2014)
	Human urine-derived stem cells in combination with polycaprolactone/gelatin nanofibrous membranes enhance wound healing by promoting angiogenesis.
	Urine-derived stem cells were seeded on electrospun polycaprolactone and gelatine. They were implanted in a skin full thickness rabbit model.

	(Machula et al. 2014)
	Electrospun Tropoelastin for Delivery of Therapeutic Adipose-Derived Stem Cells to Full-Thickness Dermal Wounds.
	Electrospun tropoelastin seeded with ADSC was implanted in a full-thickness model of immunodeficient mice for 6 days. Angiogenesis was evaluated by histology amd H&E staining. 

	(Nosoudi et al. 2013)
	Local delivery of endothelial cell spheroids to promote angiogenesis through novel extracellular matrix mimicking electrospun scaffolds
	A mixture of polymers containing ethylene-co-acrylic acid, PCL, PEO, PEG, powdered milk and methyl cellulose was electrospun. Scaffolds were then seeded with endothelial cells spheroids. Angiogenesis was tested in-vitro for sprouting and angiogenic markers like connexion-43, cavedin-1 and VEGFR-1.



[bookmark: _Toc447348778]Appendix III 

Studies involved in making electrospun scaffolds angiogenic by ADDITION of ACTIVE MOLECULES.
	
	Authors
	Paper Title
	Summary

	Covalently bound
	(J. Lee et al. 2012)
	Biomaterials The effect of controlled release of PDGF-BB from heparin-conjugated electrospun PCL / gelatin scaffolds on cellular bioactivity and in filtration
	A mixture of PCL and gelatine were electrospun. After, heparin was covalently bound onto the fibers. The scaffolds were then immerged in PDGF solution to electrostatically bind the growth factor to the heparin. Angiogenic activity was measure in-vitro with smooth muscle cells. 

	
	(Kim et al. 2011)
	Release kinetics and in vitro bioactivity of basic fibroblast growth factor: effect of the thickness of fibrous matrices.
	A mixture of PCL and heparin was electrospun. Heparin was covalently bound onto the fibers. Scaffolds were immerged in bFGF solution. Angiogenesis was assessed in-vitro by culturing mesenchymal stem cells and HUVECs. 

	
	(Ekaputra et al. 2011)
	The three-dimensional vascularization of growth factor-releasing hybrid scaffold of poly (epsilon-caprolactone)/collagen fibers and hyaluronic acid hydrogel.
	A blend of PCL, collagen and hyaluronic acid was electrospun. Subsequentially, heparin was covalently bound onto the fibers. Angiogenesis was assessed in-vitro by co-culturing HUVEC and fibroblasts. 

	
	(Zhang & Song 2014)

	Amphiphilic degradable polymers for immobilization and sustained delivery of sphingosine 1-phosphate.
	S1P is covalently bound and grafted into the polymer prior electrospinning. 

	Adsorbed or electrostatically bound
	(C. D. Easton et al. 2014)
	Application of layer-by-layer coatings to tissue scaffolds - development of an angiogenic biomaterial
	Electrospun PLGA was coated electrostatically to bind heparin. Angiogenesis was assessed in-vitro with HDMECs. 

	
	(Eghtesad & Nurminskaya 2013)
	Binding of pro-migratory serum factors to electrospun PLLA nano-fibers.
	PLLA was electrospun in nanofibers. It was then immerged in serum. Angiogenesis was evaluated by culturing human mesenchymal stem cells and human vascular smooth muscle cells. 

	
	(Zhang et al. 2014)
	Monocyte chemoattractant protein-1 released from polycaprolactone/chitosan hybrid membrane to promote angiogenesis in vivo
	Hybrid electrospun membrane of polycaprolactone and chitosan were incubated in a heparin solution and then immerged in a MCP-1 solution. They have been implanted subcutaneously in rats.

	
	(Del Gaudio et al. 2013)
	Induction of angiogenesis using VEGF releasing genipin-crosslinked electrospun gelatin mats.
	Gelatine was electrospun, freeze-dried and immersed in VEGF solution. The scaffolds were tested in a CAM.

	
	(Diaz-gomez et al. 2014)
	Biodegradable electrospun nano fibers coated with platelet-rich plasma for cell adhesion and proliferation
	Electrospun polycaprolactone was immersed in activated platelet-enriched plasma. 

	
	(Z. Wang et al. 2012)
	Functionalization of electrospun poly( -caprolactone) scaffold with heparin and vascular endothelial growth factors for potential application as vascular grafts
	Heparin is electrostatically bound onto an aminated electrospun PCL mat. The scaffolds were then immerged in VEGF solution. Scaffolds were implanted subcutaneously in rats.  

	
	(Castan et al. 2014)
	Angiogenesis in Bone Regeneration : Tailored Calcium Release in Hybrid Fibrous Scaffolds
	Mixture of ormoglass and PCL was electrospun. Scaffolds were implanted on the back of rats. 

	
	(Farokhi et al. 2014)
	Bio-hybrid silk fibroin / calcium phosphate / PLGA nanocomposite scaffold to control the delivery of vascular endothelial growth factor
	VEGF was dissolved in a PLGA/silk solution and the mixture was electrospun. The scaffold was implanted in periostal defects in rabbits.

	
	(Wu et al. 2014)
	A novel heparin loaded poly ( L -lactide-co-caprolactone ) covered stent for aneurysm therapy
	Heparin was blended with polycaprolactone and electrospun in nanofibers. The scaffold was implanted in a rabbit aneurysm model. 

	Blends and Emulsions
	(Augustine et al. 2014)
	Investigation of angiogenesis and its mechanism using zinc oxide nanoparticle-loaded electrospun tissue engineering scaffolds
	Blend of polycaprolactone and zinc oxide particles were electrospun. The scaffold was tested in the CAM and in a guinea pig full thickness skin model. 

	
	(Rujitanaroj et al. 2014)
	Polysaccharide electrospun fibers with sulfated poly(fucose) promote endothelial cell migration and VEGF-mediated angiogenesis
	Pullulan and Fucoidan (a sulphated polysaccharide) was mixed and electrospun. The scaffold was then immerged in a VEGF solution and implanted subcutaneously in mice.

	
	(Xie et al. 2013)
	Dual growth factor releasing multi-functional nanofibers for wound healing
	Chitosan was electrospun with PLGA particles containing VEGF and PDGF. The scaffolds were implanted in a full thickness wound rats model. 

	
	(Farokhi et al. 2013)
	Sustained release of platelet-derived growth factor and vascular endothelial growth factor from silk/calcium phosphate/PLGA based nanocomposite scaffold.
	PLGA, silk and calcium phosphate were electrospun together with VEGF and PDGF. Scaffolds were implanted in periosteum rabbit’s defects.

	
	(H. Wang et al. 2013)
	Synergistic promotion of blood vessel regeneration by astragaloside IV and ferulic acid from electrospun fibrous mats.
	Mixture of Poly(ethylene glycol)-poly(DL-lactide) with herbal components and electrospun. They were implanted subcutaneously in rats.

	
	(Huang et al. 2013)
	Heparin loading and pre-endothelialization in enhancing the patency rate of electrospun small-diameter vascular grafts in a canine model.
	Coaxial electrospinning of PLLA and heparin. The scaffold was endotheliazed in-vitro and implanted in a dog model. 

	
	(Zhang et al. 2013)
	Dual-delivery of VEGF and PDGF by double-layered electrospun membranes for blood vessel regeneration.
	Mixture of caprolactone, VEGF and PDGF electrospun. Scaffolds were implanted in a rabbit model. 

	
	(Xu et al. 2013)
	Controllable dual protein delivery through electrospun fibrous scaffolds with different hydrophilicities.
	PolyLactide-co-glycolide was electrospun with Bovine Serum Albumin or myglobin dissolved in solution. Angiogenesis was not proven though. 

	
	(Seyednejad et al. 2012)
	Coaxially Electrospun Sca ff olds Based on Hydroxyl-Functionalized Poly( ε -caprolactone) and Loaded with VEGF for Tissue Engineering Applications
	Coaxial electrospinning of a solution of PCL, Bovine Serum Albumin and VEGF. Angiogenesis was assessed by HUVEC growth in-vitro.

	
	(Guo et al. 2012)
	Creating 3D angiogenic growth factor gradients in fibrous constructs to guide fast angiogenesis.
	A blend of bFGF entrapped in PLGA and heparin particles was coaxially electrospun with PCL. Scaffolds were implanted subcutaneously in mice. 

	
	(He et al. 2012)
	Multiple releases of polyplexes of plasmids VEGF and bFGF from electrospun fibrous scaffolds towards regeneration of mature blood vessels.
	Polyplexes of VEGF and bFGF were electrospun with poly(DL)lactide-polyethylene glycol (PELA). The scaffolds were implanted subcutaneously in rats. 

	
	(Montero et al. 2012)
	bFGF-containing electrospun gelatin scaffolds with controlled nano-architectural features for directed angiogenesis.
	Gelatin was electrospun with bFGF and crosslinked. Angiogenesis was assessed by HUVEC in-vitro.

	
	(DeVolder et al. 2011)
	Directed blood vessel growth using an angiogenic microfiber/microparticle composite patch.
	Coaxial electrospinning of PLLA and PLGA particles containing VEGF. Angiogenesis was assessed in the CAM.

	
	(Liao & Leong 2011)
	Efficacy of engineered FVIII-producing skeletal muscle enhanced by growth factor-releasing co-axial electrospun fibers.
	Coaxial electrospinning of polyurethane and a solution containing VEGF and bFGF. Scaffolds were seeded with muscle cells and implanted subcutaneously in mice. 
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Stress urinary incontinence (SUI) and pelvic organ prolapse (POP) are major health issues that detrimentally impact the quality of life of millions of women worldwide. Surgical repair is an effective and durable treatment for both conditions. Over the past two decades there has been a trend to enforce or reinforce repairs with synthetic and biological materials. The determinants of surgical outcome are many, encompassing the physical and mechanical properties of the material used, and individual immune responses, as well surgical and constitutional factors. Of the current biomaterials in use none represents an ideal. Biomaterials that induce limited inflammatory response followed by constructive remodelling appear to have more long term success than biomaterials that induce chronic inflammation, fibrosis and encapsulation. In this review we draw upon published animal and human studies to characterize the changes biomaterials undergo after implantation and the typical host responses, placing these in the context of
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clinical outcomes.
1. [bookmark: _Toc447348780]Introduction
Stress urinary incontinence (SUI) and pelvic organ prolapse (POP) are important health problems that cause a sizable personal, societal, and economic burden [1]. SUI is defined as the “involuntary leakage of urine on exertion, sneezing or coughing” [2, 3]. POP is the “the descent of one or more of the anterior vaginal wall, posterior vaginal wall, the uterus (cervix), or the apex of the vagina (vaginal vault or cuff scar after hysterectomy)” [4]. SUI and POP are thought to share a common pathogenesis, weakening of the muscular and connective tissues of the pelvic floor. Multiple etiological factors have been implicated including ageing, obesity, pregnancy, and childbirth, as well as genetic factors and menopause
[1, 5–7].
Following failure of conservative management including physiotherapy, corrective surgery is considered to be the most effective and durable treatment for both SUI and POP. Most of the older surgical techniques relied upon suturing the local tissues to the back of the pubic bone (colposuspension) or using an autologous fascial sling. More recently there has been a growing trend to reinforce repairs using both synthetic and biological materials. This practice has been adapted from hernia surgery where there is established evidence that repairs reinforced with synthetic mesh provide superior outcomes.
Synthetic meshes were popularized in pelvic floor surgery for SUI following the work of Ulmsten and Petros [8]. The mid-urethral tape (MUT) involved a minimally invasive approach to implant a thin synthetic mesh underneath the mid-urethral point. Early reports of cure rates in the range of 80–90% further propelled the uptake of this technology. Following the early success of MUT and a randomized control trial against colposuspension, synthetic mesh for SUI was soon introduced [9]. This was not based on long term supportive data but rather a grandfather clause which permitted introduction of a new material based on its similarity to an index product, which was used for hernia repair, namely, polypropylene mesh. A long term follow-up, the Ward and Hilton [9] study, demonstrated a 4% exposure of mesh rate.
Subsequently mesh was introduced for the treatment of pelvic organ prolapse (POP) and this has resulted in a significant problem with mesh exposure which has led to enormous medico-legal problems, particularly in the United States of America.
The following decade has seen a rapid rise in reports of mesh for POP related complications, but it is clearly important to differentiate mesh exposure (erosion) used for SUI from that used for POP. Thus reports of debilitating complications of vaginal mesh implantation have emerged including vaginal wall erosion (0–25.6%), chronic pain (0– 5.5%), and sexual problems (1.9–17%) [10]. Although it can be debated whether these rates are high, the complications are oftendifficulttotreat,requiringfurtherhospitalvisits,further tests,andfurtherreconstructivesurgery.Thesituationhasnot escaped the attention of medical regulatory bodies such as the FDA who have issued statements warning patients and surgeons of the potential dangers of mesh use for POP [11, 12]. More recently there has been a wave of class action litigation law suits raised against device manufacturers by patients who have suffered mesh complications, such that several major manufacturers have withdrawn products from the market.
Biological grafts are alternatives to synthetic mesh. The most commonly used material, autologous fascia, has been used for over 100 years in the treatment of SUI with good efficacy. The main drawback however is the need to harvest the graft from a donor site (fascia lata from the thigh or rectus fascia from the abdominal wall) and potential morbidity (e.g., wound infection, scar, nerve injury, and hernia) [13]. There is a limitation on how much graft can be harvested which precludes its use in POP which is associated with relatively large fascial defects. This can be avoided by using grafts derived from cadavers or alternatively animal derived collagen matrices (e.g., porcine dermis, porcine small intestine, and bovine dermis). However, these materials require extensive processing decellularization, sterilization, and cross-linking processes to resist degradation [14]. While this renders materials nonimmunogenic, it can impact their biomechanical properties [15]. There is also the risk of viral or prion transmission [13]. Clinical studies are limited; however clinical experience is that all of the materials appear to be associated with graft failure in the medium term due to the body’s response to the material, leading its encapsulation and subsequent degradation with limited remodeling.
It is likely that biomaterials are subject to multifactorial problems because of (1) their physical properties (e.g., porosity and degradability), (2) their mechanical properties (e.g., stiffness and strength), or (3) the nature of the patient’s immune response to the implanted biomaterials. In addition, surgical and patient specific factors (e.g., individual anatomy and comorbidities) are likely to play a role, though these are not modifiable by material design.
To provide a simple context for this review we depict the current hypotheses of how failures of implant might occur through several routes in cartoon form in Figure 1 where the implanted material is shown conceptually as a hammock attached to two trees (the supporting structures of the pelvic floor).
In the case of successful implantation, it is currently thought that the material induces an acute inflammatory response, which leads to constructive remodeling and material integration (Figure 1(d)).
The aim of this review is to characterize these changes and responses, from the available human and animal studies, and relate them to clinical outcomes, thereby guiding the design of novel materials for this challenging clinical application.
2. [bookmark: _Toc447348781]Methods
The MEDLINE database was searched for articles describing studies investigating the in vivo response to biomaterials used routinely in pelvic floor surgery or that have been studied in the context of clinical trials. The search was limited to the years 1990 to 2013. The following search terms were used: “pelvis,” “pelvic floor,” “vagina,” “in vivo,” “in vitro,” “biocompatibility,” “prolapse,” “incontinence,” “biomaterial,” “sling,” “mesh,” “polypropylene,” “autografts,” “allografts,” and “xenografts.” Abstracts were screened for relevance by 2 reviewers before full articles were retrieved. Articles were included if they described the changes in physical or biomechanical properties of materials after implantation in animals or humans or the histological features of the host response to the implanted material. Implantation sites were restricted to subcutaneous, intravaginal, or abdominal muscles.
3. [bookmark: _Toc447348782]Results
In total 10 studies assessing autologous materials, 11 assessing allograft materials, 24 assessing xenografts, and 24 assessing polypropylene meshes compared with other synthetic meshes were included. These studies are summarized in Tables 2, 3, 4, and 5.
3.1. Biological Materials
3.1.1.AutologousMaterials. Autologousgraftsharvestedfrom the rectus fascia and fascia lata have long been used in SUI surgery. A major advantage of autografts over synthetic materials is that erosion is almost unheard of [16]. A possible disadvantage to using autografts is that the connective tissues of patients with SUI may be inherently weak predisposing to failure. Nevertheless the overall long term outcomes with autografts are largely excellent with reported rates of cure generally over 90% [17, 18].
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Figure 1: Cartoon of how patients can respond to materials implanted in the pelvic floor: (a) mechanical failure, (b) material recognized as non-self and isolated from body tissues with encapsulation, (c) exposure (erosion), and (d) optimal result for implanted material.


Biomechanical Properties of Autologous Materials. Four studies describing changes in mechanical properties of autologous materials over a 12–16-week period were found. Uniaxial stress strain testing of autologous rectus fascia before and after implantation in rabbit vagina and anterior abdominal wall showed no significant decrease of ultimate tensile strength (UTS) (the maximum stress a material can take before failing) and Young’s modulus (YM) (material stiffness), at twelve weeks after implantation [19, 20]. However, there was a reduction in surface area of the grafts by 50% suggesting that significant degradation had occurred [19, 20]. A comparison of mechanical strength of autologous materials used for sling was carried out by Choe et al. [21]. They harvested dermis, rectus fascia, and vaginal mucosa from 20 women undergoing vagina prolapse surgery and they tested displacement and maximum load with the Instron tensiometer. This study showed that fascia lata had the highest mean maximum load to failure (217 N), followed by human dermis (122 N), rectus fascia, and vaginal mucosa (both 42 N) in women undergoing surgeries for various reasons [21]. Autologous rectus fascia showed no significant decrease in tear resistance using the trouser tear test after 4 months of subcutaneous implantation in rodents [22]. In summary in all four studies there was agreement that the mechanical properties did not change significantly over a 12- to 16-week duration [19–22].
Host Response to Implanted Autologous Materials. Eight studies analysed the host response to autologous materials over a time period up to 90 days [19, 20, 23–29]. In the majority of studies, unless stated otherwise, biomaterials were assessed after implantation by conventional blindly scored histology (staining of fixed samples by haematoxylin and eosin (H&E)), trichromes, and/or the presence of proangiogenic cells.
Hilger and colleagues assessed human cadaveric skin and autologous fascia after implantation in the abdominal and vaginal walls of New Zealand white rabbits. Materials were harvested at 6 and 12 weeks. Histological analysis demonstrated that autologous fascia promoted a relatively minimal inflammatory response and neovascularization but moderate collagen infiltration when compared to fenestrated porcine dermis and porcine collagen-coated polypropylene mesh [20]. Jeong and coworkers described similar results noting minimal inflammatory response and neovascularization in rabbits when autologous fascia was implanted under the eye lid for up to 8 weeks [24].
Two studies assessed histological changes in paravaginal tissue after the implantation of autologous fascial slings for SUI in women. In the study by FitzGerald et al. biopsies of the sling were taken from 5 patients requiring revision surgery due to persistent incontinence. The time since the initial surgery ranged from 3 weeks to 4 years. The grafts explanted after up to 8 weeks showed moderate uniform fibroblast infiltration and neovascularization. Collagen remodelling was evident in parts of the graft biopsied at 4 years, with no evidence of chronic inflammation [23]. Woodruff and colleagues performed a similar study in 24 patients undergoing sling revision for poor efficacy (2 patients), urinary retention (9), and sling obstruction (13), 2–34 months after implantation [27]. All grafts showed moderate uniform fibroblast infiltration and moderate collagen fibers. All grafts showed moderate degradation. There was no evidence of encapsulation.
In summary these eight studies suggest that when autologous fascia is implanted there is a minimal to moderate inflammatory response, a moderate degree of collagen production, and a suggestion that grafts undergo a degree of remodelling over the long term.
3.1.2. Allografts. Allografts used in pelvic floor reconstruction usually consist of fascia. The donors are screened for infectious diseases before the grafts undergo cleaning, freeze drying, and gamma irradiation to eradicate any infective or immunogenic material. A concern with these grafts is that they are often donated by the elderly who have an age related weakening in connective tissues [30]; additionally processing techniques such as freeze drying and solvent dehydration may reduce the tensile strength [31]. Cadaveric grafts are advantageous in that they avoid donor site complications. In terms of efficacy, results are mixed. Some have shown cadaveric fascia to demonstrate similar subjective cure rates to autologous fascia at around 90% at 2 years [32]. However others have shown that on urodynamic testing 42% of cadaveric graft patients had SUI whereas no patients with autologous grafts had SUI [33].
Biomechanical Properties of Allografts. Five studies investigated the change in mechanical properties after implantation of allografts in animals. All these studies utilized uniaxial stress strain testing. The time after which samples were explanted ranged from 60 days to 12 weeks [20, 22, 34–36].
After implanting human cadaveric dermis in rabbit vagina, Hilger et al. reported a decrease in ultimate strength of
86.6% at 12 weeks; in comparison autologous fascia lost only 28.6%[20].Conversely,Riceandcolleaguesfoundanincrease in tensile strength of cadaveric dermis (AlloDerm) from 0.142 to 0.226 MPa, increasing by about 80% of its initial strength, 60 days following subcutaneous implantation [36]. Walter et al. reported that, after 12 weeks, following implantation of cadaveric fascia lata in rabbit vagina, the tensile strength decreased by approximately 90% [34]. Spiess et al. implanted human cadaveric fascia lata subcutaneously on the abdominal wall of 20 rats randomized into 2 survival groups at 6 and 12 weeks. They found no significant decrease in tensile strength from 0.167 kg at week 6 and 0.185 kg at week 12 [35]. Kim et al., similarly, implanted human cadaveric fascia in 20
rats, randomized into 2 survival groups of 2 and 4 months. They found no significant difference in fracture toughness before implantation and after implantation in human cadaveric fascia (from 2120 to 1145 J/m2, 𝑃 = 0.09) [22].
In summary, the available studies show disparate results with respect to the changes in mechanical properties of allografts following implantation. This may be attributable to the heterogeneity in the type of allografts used, the animals studied, the sites of implantation, and the assessment at different time points.
Host Response to Implanted Allografts. In total eight studies assessed the host response to allografts in both animals and humans. The time since implantation ranged from 2 days up to 65 weeks [20, 26, 27, 36–40].
Human cadaveric dermis and cadaveric fascia have been found to be well integrated onto the abdominal wall [37, 40, 41] and rectus muscle [36, 38] in different animals, including rats, rabbits, and pigs, as noted by moderate fibroblast infiltration, new collagen production, and neovascularization where materials were implanted from 2 days up to 62 weeks. Human cadaveric dermis, after 12 weeks of implantation, was similarly well integrated into vaginal tissues of rabbits. However, it appeared highly fragmented suggesting significant degradation [20]. Krambeck et al. also describe a faster degradation of cadaveric fascia implanted subcutaneously on the abdominal wall of rabbits with a fascial defect for 6 and 12 weeks compared to polypropylene or autologous fascia [26]. VandeVord and colleagues also found moderate cell infiltration and angiogenesis at 12 weeks following the insertion of human cadaveric dermis and cadaveric fascia slings under the bladder neck of rats; however there was a moderate encapsulation after implantation [39]. Finally, in the study by Woodruff et al. in 5 women who received human cadaveric dermis grafts, biopsies 2–65 months after implantation showed significant graft degradation with residual areas of graft appearing acellular and encapsulated [27].
In summary, some studies suggest that allografts demonstrate infiltration by host cells, new collagen production, and neovascularization whilst other studies suggest that a variable degree of graft degradation occurs along with encapsulation in the long term. There is a degree of agreement that allograft induces an acute inflammatory response as inflammatory infiltrates have been found populating the grafts.
3.1.3. Xenografts. A number of grafts from animals, mainly porcine and bovine, have been used in pelvic floor surgery. These materials undergo extensive processing after harvesting to decellularize them and render them non-immunogenic. Additionally there are FDA regulations on animal source and vaccination status which must comply with [42]. Porcine dermis may be artificially cross-linked using hexamethylene diisocyanate to make it more resistant to enzymatic digestion [43]. Clinical studies showed lower continence rates for porcine dermis (approx. 80%) and increased reoperation than that for synthetic tape or autologous fascia [44]. Porcine small intestine submucosa (SIS) has shown cure rates from 79 to 93% at 2- and 4-year follow-up, respectively [45, 46]. However one study has raised concerns that SIS may not be strictly acellular and may contain porcine DNA [47].
Biomechanical Properties of Xenografts. Nine studies investigated the mechanical properties of xenografts before and after implantation. All these studies assessed either porcine dermal collagen matrix, both cross-linked and non-cross-linked, or porcine small intestine submucosa.
Hilger et al. assessed non-cross-linked porcine dermis xenografts implanted on the abdominal wall and vaginal wall of rabbits. After 12 weeks, half of the grafts implanted in the vaginal wall were absent. The other half as well as grafts implanted into the abdominal wall showed an average reduction of 84.1% in ultimate strength [20]. Another study assessed the long term mechanical integrity of cross-linked porcine dermis. After 9 months following implantation in the abdominal and vagina walls, grafts had degraded by 36% and 46%, respectively. When subjected to mechanical testing non-degraded graft fragments showed similar strength compared to baseline values whilst degraded fragments decreased by more than 50% [48].
Liu and colleagues implanted SIS and porcine dermal collagen matrix in rats with surgically created abdominal wall defects. The maximum load (at failure) at baseline for SIS and dermal collagen matrix was 22.81 N and 43.16 N, respectively. Following 12 weeks of implantation, there was no significant change in the maximum load of cross-linked porcine dermal collagen matrix and SIS [49]. Similarly other workers observed an increase in the ultimate tensile strength of SIS after 90 days of implantation from a baseline value of 7.5 and 9.8 N/cm2 at baseline, respectively, to 19.56 and 13.3 N/cm. These results were averages of 48 implants in rats [50]. Rice et al. also found an increase in tensile strength of SIS after 60 days of implantation in a rat abdominal wall defect from 0.142 MPa at day 0 up to 0.226 MPa after 60 days of implantation [36]. Similarly, Zhang et al. implanted SIS in abdominal wall of rats and they found increased strength for SIS from 0.35 MPa to 0.41 after 4 weeks [51]. Badylak et al. repaired surgically created abdominal wall defects in dogs with SIS (8 × 12 cm); they performed serial ball burst strength tests after 1, 4, 7, and 10 days and then at 1, 3, 6, and 24 months) [52]. There was an initial decrease in ball burst strength from 73.37 pounds to 39.97 pounds by day 10. After day 10, the strength began to increase and after 2 years there was an increase to 157.20 pounds in burst strength. Jenkins et al. showed an increase in strength in crosslinked porcine matrices after 6 months of implantation in the preperitoneal area from 0.07 ± 0.01 N up to 22.36 ± 3.3 N [53]. In contrast, Ko and colleagues found no significant difference in ultimate tensile strength of SIS after 4 months of implantation in a porcine wall defect, with values ranging from 41.3 to 74.8 N/cm2 [54].
In summary it appears that non-cross-linked porcine dermal collagen matrices are degraded rapidly (within 3 months) and lose most of their mechanical integrity within this period. By contrast cross-linked porcine dermal collagen matrix is more resistant to degradation and maintains its mechanical properties for at least 3 months, whereas SIS appears to increase in strength after as long as 2 years after implantation.
Host Response to Implanted Xenografts. Twenty-four studies assessing the host response to allografts were found. Noncross-linked porcine dermal collagen was assessed in fourteen studies [20, 26, 27, 36, 39, 50–52, 54–61]. These studies were performed on rats [36, 50, 51, 55, 58, 59], dogs [52, 55], pigs [54, 57], and rabbits [26] in addition to few clinical studies [20, 27, 39, 56]. Cross-linked porcine matrices were assessed in seven studies [40, 49, 53, 62–66]. Animal models mainly used were abdominal defects of rats [49, 62, 66], rabbits [65], minipigs [53], pigs [40, 63], and primates [64]. Some of these studies looked at the acute response [39, 49, 53, 55, 59, 66]; some other studies looked at a more intermediate response (1–3 months) [20, 26, 36, 39, 40, 49–51, 54, 55, 57, 58, 60, 62–64, 66]; another looked at longer term response (more than 3-months) [27, 40, 53, 62, 64, 65].
Hilger et al. and Pierce et al. found minimal neovascularization and collagen ingrowth in porcine dermal xenografts [20, 65]. Both studies agreed that the degradation of porcine dermis is higher when the inflammatory response is high, and it may accelerate this degradation process. They also reported fragments encapsulated, which has been also found in many studies with different species including rats [39, 62], rabbits [65], pigs [40], primates [64], and humans [27].
In contrast, non-cross-linked SIS leads to high collagen ingrowth with a moderate degree of remodeling and orientation and high neovascularization [29, 36, 39, 49– 51, 54, 55, 57, 63]. On the other hand, many studies agree with a very rapid degradation of the SIS which is replaced by the host tissue [49, 51, 52, 55, 58, 66, 67]. Only two studies reported an absence of host fibroblast infiltration and fibrotic tissue penetration without neovascularization for SIS implanted in rats [62] and rabbits [26]. In humans, Cole et al. performed revision surgery on a patient who had developed a bladder outlet obstruction after SIS implantation and found that the implant had been encapsulated [60]. Nevertheless, other investigators, at 12 and 48 months, respectively, found that the SIS was replaced by native tissue in humans
[56, 61].
In summary, the available studies agree that the degree of cross-linkage affects the rate of degradation and the degree of the inflammatory response of the host. Studies on cross-linked xenografts agree that cross-linked collagenous matrices induce little cell infiltration; hence there is limited collagen remodeling and graft degradation. In non-crosslinked xenografts, cell infiltration was greater with faster degradation rate and collagen production.
3.2. Polypropylene Mesh. There is a range of synthetic polypropylene meshes that have been used. These are summarized in Table 1 where they are classified as type 1, 2, 3, or 4 according to their mesh size, where 1 is macroporous (>75 𝜇m), 2 is less than 10 𝜇m, 3 is microporous with microporous compartments, and 4 is nanoporous (<1 𝜇m). Thus a wide range of synthetic materials have been investigated for use in the treatment of SUI. These materials offer several advantages including lack of transmission of infectious diseases and ease of availability, as well as the sustainable tensile strength due to their nondegradable nature [68]. Mesh materials have been classified in to 4 groups based on the basis of porosity (microporous or macroporous) and filamentous structure (monofilament of multifilament) [69]. The initial clinical experience with mid-type II (microporous/multifilament fibers, e.g., expanded PTFE) and III (macroporous and microporous/multifilament fibers, e.g., Mersilene) meshes was largely negative with excision rates of up to 30% for expanded PTFE [70] and erosion rates of 17% for Mersilene (polyester)
[71].
A greater pore size is thought to be advantageous as it allows the admittance of immune cells and greater collagen ingrowth into the construct [13]. This is thought to reduce the risk of mesh infection and accelerate and enhance host tissue integration. Monofilament meshes are thought to reduce the risk of infection in comparison to multifilament meshes. The theoretical concern with the latter is that bacteria may colonize the 10 𝜇m subspaces between fibers which are inaccessible for the larger host immune cells (9–20 𝜇m) [72]. Today a mid-type I polypropylene mesh that is macroporous and monofilament is most commonly used [73] with cure rates for SUI of >90% at 5 years.
Biomechanical Properties of Polypropylene. Seven studies investigated the mechanical properties of polypropylene meshes with implantation times ranging from two weeks in animal models up to two years. Animal models used were rats abdominal wall [35, 74], pig preperitoneal implantation [75], rats rectus fascia [76], minipigs hernia repair [77], and ewes abdominal and vaginal walls [78].
Melman et al. tested Bard Mesh, a knitted monofilament mesh made of high molecular weight polypropylene (HMWPP) and Ultrapro, a knitted macroporous composite mesh made of low molecular weight polypropylene (LMWPP) and poliglecaprone (Table 1). They have been implanted in minipigs hernia repair model for up to 5 months. HMWPP mesh decreased from maximal load at failure 59.3 N at 1 month to 36.0 N at 5 months, while LWPP mesh decreased from 61.5 to 37.8 N at 5 months [77]. Long term studies were carried out by Zorn et al. where TVT and SPARC were compared to SIS in a rat abdominal wall defect for up to 12 months. Both TVT and SPARC are macroporous meshes made of polypropylene monofilaments. SPARC did not change its mechanical properties after 12 months of implantation (maximum load at baseline 0.453 kg and at 12 months 0.497 kg). By contrast the maximum load for TVT decreased from 0.779 kg to 0.523 kg for TVT and for SIS decreased from 0.402 kg to 0.174 kg [74]. Also Bazi et al. showed how similar are the mechanical properties of Gynecare TVT and Advantage, both macroporous polypropylene monofilament meshes, compared with other meshes such as IVS Tunneller, multifilament polypropylene mesh, and SPARC. The lowest, at 25.2 N, was TVT and the highest, 34.9 N, was Advantage, with no significance between them after 24 weeks of implantation in rats rectus fascia [76]. Also other studies agree on these parameters where TVT was found to be able to comply with the highest break load (0.740 kg), compared to 0.39 kg for fascia lata after implantation in rats abdominal wall for up to 12 weeks [35], and was said to be less stiff than other synthetic materials used for meshes (0.23 N/mm comparedto nylon,6.83 N/mm) [79].
A recent study compared two sizes of meshes implanted in two different places in a sheep model. Gynemesh was cut in two sizes (50 × 50 mm and 35 × 35 mm) and it was implanted in 20 adult ewes, on the abdominal and vaginal walls for a period of 60 and 90 days. Results showed that grafts of both dimensions, implanted on the vaginal wall, were stiffer than the ones implanted on the abdominal wall, after a period of 90 days [78].
However, they all agree that physical characteristics of the mesh, such as monofilament or multifilament, porosity, and polymer molecular weight, hugely affect the mechanical performance of the implants in vivo.
Host Response to the Implanted Polypropylene. Twenty-one papers have looked at the host response to the polypropylene meshes. They have been assessed in various animal models: rats abdominal wall [50, 58, 74, 80–82], rats rectus fascia [38, 76, 83], rabbits bladder neck [84], rabbits abdominal wall [85], rabbits rectus fascia [26], rabbits vaginas [65, 86], minipigs hernia [77], pigs peritoneum [75, 87], ewes vagina [78, 88], and ewes abdominal wall [78] in addition to few clinical studies [27, 89–91]. The studies have looked at acute inflammatory responses to the most commonly used, nondegradable meshes, described in Table 1. Few studies looked at the acute inflammatory response that occurs from the day of implantation up to 30 days [50, 58, 80–82, 85, 88]. Other studies looked at the immediate responses (1–3 months) [26, 75, 78, 83, 84, 86, 87] and longer term responses (>3 months) where fibrosis and chronic inflammation can be seen [27, 65, 74, 76, 77, 89–91].
A very recent study of Manodoro et al. showed how 30% of Gynemesh grafts (50 × 50 mm), implanted in ewes after 90 days, caused vaginal erosion and exposure. The study also showed that 60% of the smaller Gynemesh meshes (35 × 35 mm) had a reduced surface (i.e., contracting) after 90 days of implantation [78].
Falconer et al. reported a study on Prolene and Mersilene meshes. The biopsies were stained with Masson’s trichrome.

Table 1: Classification of synthetic materials used in pelvic floor reconstruction.
	Type
	Mesh pore size
	Structure
	Polymer
	Trade name
	Company

	I
	Macroporous
>75 𝜇m
	Monofilament
	Polypropylene
	Uretex
Gynecare TVT
Bard Mesh
SPARC
In-Fast
Monarc
Lynx
Advantage
Obtryx
Optilene
Aris
Perigee
	C. R. Bard
Ethicon, Johnson &
Johnson
Bard/Davol
American Medical Systems
American Medical Systems
American Medical Systems
Boston Scientific
Boston Scientific
Boston Scientific
B. Braun
Mentor Corp
American Medical Systems

	
	
	
	
	Parietene
	Covidien

	
	
	
	
	Intepro
	American Medical Systems

	
	
	
	
	Gynecare Prolift
	Ethicon, Johnson & Johnson

	
	
	
	
	Surgipro
	Covidien

	
	
	
	
	Prolene
	Ethicon, Johnson & Johnson

	
	
	
	
	Prolene Soft
	Ethicon, Johnson & Johnson

	
	
	
	
	Gynemesh PS
	Ethicon, Johnson & Johnson

	
	
	
	
	Atrium
	Atrium Medical

	
	
	
	
	Marlex
	C. R. Bard

	
	
	Multifilament
	Copolymer of glycolide (90%) and lactide (10%)
Polypropylene and polyglecaprone
	Vicryl
Vypro
	Ethicon, Johnson &Johnson
Ethicon, Johnson &
Johnson

	
	
	
	
	UltraPro
	Ethicon, Johnson & Johnson

	
	
	
	Polyglycolic acid
	Dexon
	Davis and Geck

	II
	Macroporous
<10 𝜇m
	Multifilament
	Expanded PTFF
Polyethylene terephthalate
	GORE-TEX
Mersuture
	W. L. Gore
Ethicon, Johnson &
Johnson

	III
	Macroporous with microporous components
<10 𝜇m
	Multifilament
	PTFE
Polyethylene terephthalate Polypropylene
Woven polyester
	Teflon
Mersilene
IVS Tunneller
Protegen
	C. R. Bard
Ethicon, Johnson & Johnson
Tyco Healthcare
Boston Scientific

	IV
	Nanoporous
<1 𝜇m
	Multifilament
	Silicon-coated polyester
Dura mater
substitute
	Intermesh
PRECLUDE MVP Dura
substitute
	American Medical Systems
W. L. Gore

	
	
	
	Expanded PTFE,
pericardial membrane
substitute
	PRECLUDE
Pericardial
Membrane
	W. L. Gore


Table 2: Autologous fascia.
	Author
	Sample
	Biomechanical properties
	Host response

	FitzGerald et al., 2000 [23]
	Autologous rectus fascia implanted in 5 patients suffering from SUI. Samples obtained, respectively, from transvaginal revision after 3, 5, 8, and 17 weeks and from replacement after 4 years.
	
	(i) Moderate and uniform infiltrationof host fibroblasts and neovascularization after 5 and 8 weeks of implantation.
(ii) After 4 years of implantation, noevidence of inflammatory cell infiltrate or foreign body reaction and collagen remodeling by connective tissue organized longitudinally.

	Jeong et al., 2000 [24]
	Autologous lata fascia implanted in 16 rabbits randomized into 4 survival groups and examined after 1, 2, 4, and 8 weeks.
Implantation into upper eyelids.
	
	(i) Low inflammatory cell infiltration. (ii) Fibroblast infiltration and collagen remodeling.

	Choe et al., 2001 [21]
	Dermis, rectus fascia, and vaginal mucosa harvested from 20 women undergoing vagina prolapse surgery.
	Tensiometric analysis of full strips versus patch suture slings. Displacement and maximum load calculated.
	

	Kim et al., 2001 [22]
	Autologous rectus fascia implanted in 20 rats randomized into 2 survival groups (2 and 4 months).
	No significant decrease of the fracture toughness calculated by the trouser tear test over 4 months.
	

	Dora et al., 2004 [19]
	Autologous rectus fascia implanted in 15 rabbits randomized into 3 survival groups (2, 6, and 12 weeks). Implantation on the anterior rectus fascia.
	No significant decrease of biomechanical properties after 12 weeks of implantation.
	50% decrease in surface area.

	Hilger et al., 2006 [20]
	Autologous rectus fascia implanted in 20 rabbits randomized into 2 survival groups (6 and 12 weeks). Half implanted on the rectus fascia and half on the posterior vagina fascia.
	No significant decrease of biomechanical properties after 12 weeks of implantation.
	(i) Collagen remodeling by moderatecollagen infiltration but encapsulation as well.
(ii) Minimal inflammatory response.
(iii) Minimal neovascularization.

	Krambeck et al., 2006 [26]
	Autologous rectus fascia implanted subcutaneously on the anterior rectus fascia of 10 rabbits randomized into 2 survival groups (6 and 12 weeks).
	
	(i) Moderate fibrosis.
(ii) High degree of scarring.(iii) High degree of inflammatory infiltrate.

	de Almeida et al., 2007 [29]
	Adult female rats incontinence model. Marlex, autologous sling, SIS, polypropylene mesh, and sham at 30 and 60 days.
	
	Reduced inflammatory response and collagen production around autologous grafts, in comparison with synthetic materials and xenografts.

	Woodruff et al., 2008 [27]
	Autologous fascia grafts
explanted after sling revision from 5 women, due to different complications, between 2 and 65 months after implantation.
	
	(i) Moderate and uniform infiltration
of host fibroblasts and little neovascularization.
(ii) Collagen remodeling by newcollagen fibers organized longitudinally.
(iii) No evidence of encapsulation orgross infection.

	de Rezende Pinna et al., 2011 [28]
	Autologous fascia lata implanted in 14 rabbits randomized into 2 survival groups (30 and 60 days). Implantation into the right voice muscle.
	
	(i) No significant inflammatoryreaction.
(ii) No significant fibrosis or scarring.


Table 3: Allografts.
	Author
	Sample
	Biomechanical properties
	Host response

	Sclafani et al., 2000 [37]
	Human cadaveric dermis (AlloDerm) disk implanted subdermally behind a patient’s ear. Micronized human cadaveric dermis (AlloDerm) injected intradermally and subdermally in 2 different locations behind a patient’s ear. Both implants were examined 3 months and 1 month after implantation, respectively.
	
	(i) Both materials extensively invaded byhost fibroblasts.
(ii) Both materials present new collageningrowth.

	Kim et al., 2001 [22]
	Human cadaveric fascia implanted in 20 rats randomized into 2 survival groups (2 and 4 months).
	No significant decrease of the fracture toughness calculated by the trouser tear test.
	

	Walter et al., 2003 [34]
	Freeze-dried and gamma-irradiated human cadaveric lata fascia implanted in 18 rabbits and excised 12 weeks after implantation.
	Significant decrease of biomechanical properties after 12 weeks of implantation.
	

	Spiess et al., 2004 [35]
	Human cadaveric fascia lata implanted subcutaneously on the abdominal wall of 20 rats randomized into 2 survival groups (6 and 12 weeks).
	No significant decrease of tensile strength with time.
	

	Yildirim et al., 2005 [38]
	Human cadaveric lata fascia implanted subcutaneously on the abdominal wall in 20 rabbits randomized into 4 survival groups (2, 7, 15, and 30 days).
	
	(i) Acute inflammation by high cellinfiltration predominantly of polymorphous granulocytes.
(ii) Integration in host tissue by moderatefibrotic process and muscle infiltration on day 30, with persistent inflammatory response.

	Krambeck et al., 2006 [26]
	Cadaveric fascia lata implanted subcutaneously on the anterior rectus fascia of 10 rabbits randomized into 2 survival groups (6 and 12 weeks).
	
	(i) Moderate to high focal fibrosis.
(ii) Minimal to moderate degree of scar.
(iii) High degree of inflammatoryinfiltrate.

	Hilger et al., 2006 [20]
	Human cadaveric dermis and lata fascia implanted in 20 rabbits randomized into 2 survival groups (6 and 12 weeks). Half implanted on the rectus fascia and half on the posterior vagina fascia.
	Very significant decrease of biomechanical properties after 12 weeks of implantation.
	(i) Two missing or fragmented materialsimplanted on the vagina after 12 weeks.
(ii) Moderate inflammatory response.
(iii) Minimal neovascularization.
(iv) Minimal collagen ingrowth withoutsignificant cell infiltration.

	Woodruff et al., 2008 [27]
	Human cadaveric dermis slings explanted after revision from 2 women, due to different complications, between 2 and 65 months after implantation.
	
	(i) Moderate levels of encapsulation.
(ii) High levels of degradation.
(iii) Peripheries of the grafts invaded byfibroblasts but central portions remained acellular.

	VandeVord et al., 2010 [39]
	Human cadaveric dermis and fascia lata implanted in 16 rats, respectively, and both randomized into 4 survival groups (2, 4, 8, and 12 weeks).
Implantation around the bladder neck, anchored to the surrounding tissues.
	
	(i) Thin fibrous capsule formation. (ii) Moderate cell infiltration and angiogenesis.

	Rice et al., 2010 [36]
	Human cadaveric dermis (AlloDerm) implanted in 18 rats randomized into 2 survival groups (30 and 60 days). Subcutaneous implantation on abdominis rectus muscle defect.
	Increase of tensile strength after 30 days and, again, increase of tensile strength after 60 days, respectively, to 30 days.
	(i) Moderate amounts of collagendeposition well organized.
(ii) Abundant revascularization.


Table 3: Continued.
	Author
	Sample
	Biomechanical properties
	Host response

	Kolb et al., 2012 [40]
	Human cadaveric dermis (AlloDerm) implanted subcutaneously in 5 pigs randomized into 4 survival groups (7, 21, 90, and 180 days).
	
	(i) Robust inflammatory response after 7 days of implantation, which achieved maximal level at 21 days, with formation of granulomas and areas of necrosis noted within the graft.
(ii) Moderate fibroblast infiltration,
collagen ingrowth, and neovascularisation.
(iii) Moderate levels of encapsulation.



Mersilene was found to induce a higher inflammatory response compared to Prolene, which triggered a minimal inflammatory reaction [89].
Pierce et al. reported a long term study comparing biological and synthetic grafts implanted in rabbits. Polypropylene caused a milder inflammatory reaction with more long term, better host tissue incorporation compared to natural grafts [65]. Also Bazi et al. evaluated biopsies on the basis of inflammatory infiltrate, fibrosis, mast cell presence, muscular infiltration, and collagen filling of the mesh on an arbitrary scale described as low, moderate, or extensive based on H&E, periodic acid-Schiff, and toluidine blue staining of tissue. They agreed that all of the materials (Advantage, IVS, SPARC, and TVT) induced inflammation and collagen production, with SPARC being the one with the mildest response and TVT the one with the highest inflammatory response [76]. Elmer et al. reported an increase in macrophages and mast cell counts and a mild but persistent foreign body response to polypropylene meshes [91]. This study is consistent with other reported investigations where the polypropylene meshes are invaded with both macrophages and leukocytes, signs of inflammation, resulting in collagen production [27, 38, 65, 76, 83, 85].
In summary the studies agree that polypropylene meshes provoke a fairly pronounced inflammation, leading to a massive cell infiltration into the scaffold and ultimately to collagen production [27, 29, 48, 76, 83, 84, 86, 90–92].
4. [bookmark: _Toc447348783]Relating Postimplantation Changes toClinical Outcomes
4.1. Biomechanics. In general, when biological materials fail this is due to enzymatic degradation after implantation, leading to a loss of mechanical support and weakening of the repair. This appears to apply particularly to the non-crosslinked xenogenic matrices. Chemically cross-linking appears to prevent this degradation and improve the mechanical outcomes. Unfortunately there is a lack of clinical evidence on how these mechanical outcomes translate into patient outcomes. Autologous grafts are the most successful biological material used in contemporary practice and the studies reviewed appear to support the long term mechanical integrity of these grafts. Nevertheless, they present several important limitations that are related to the need to harvest from a donor site. However use of cadaveric tissues avoids these limitations; however their quality depends on the age and comorbidities of the donor and this is maybe the reason for the mixed results in mechanical properties. This is consistent with the available clinical studies which suggest that allografts have poorer cure rates than autologous grafts.
We have found that polypropylene maintains its morphology and strength after implantation for up to 24 weeks [35, 74, 76]. However there was evidence that stiffness increases [77, 93]. This is consistent with durable cure rates particularly in SUI surgery (there is still some question regarding efficacy of transvaginal POP repair, compared with native tissue repair). The major issue with polypropylene meshes is the associated serious complications, in particular vaginal or urinary tract exposure (up to 10–14%). There is some evidence that meshes with greater stiffness cause the surrounding tissue to weaken, an effect termed stress shielding [94]. This can be compared to the effect of metal implants on the surrounding bone after orthopedic surgery. This effect could lead to thinning of the surrounding vaginal tissues as predisposing to erosion.
4.2. Host Response. Biomaterials implanted into the body will always attract the attention of the immune system. With some materials there is an M1 macrophage response of constructive remodeling; this appears to be the case with some biological matrices, SIS in particular. With materials which the body cannot remodel or integrate such as polypropylene meshes, the macrophage response is much more aggressive, an M2 macrophage response [95, 96].
It appears that a state of constant inflammation can be generated by some patients in response to some of these nondegradable materials. Constant inflammation leads to an upregulation of degradative enzymes; although these enzymes cannot degrade the material, they may damage the surrounding extracellular matrix and contribute to tissue thinning and mesh exposure. Moreover perpetuation of the inflammatory response can also result in activated fibroblasts, which produce excessive collagen laid down in a disorganized fashion around the implant (i.e., fibrosis), encapsulating the material. A small amount of fibrosis is arguably advantageous to the repair in SUI, providing a stable back stop allowing urethral compression. However excessive fibrosis may lead to mesh contraction resulting in increased pull on the adjacent tissues leading to complications such as voiding dysfunction, pain, and painful intercourse. In POP this excessive fibrotic response can lead to mesh exposure which presents a major reconstructive surgical challenge, often necessitating repeat

Table 4: Xenografts.
	Author
	Sample
	Biomechanical properties
	Host response

	Badylak et al., 2001 [52]
	Abdominal wall defect repaired with SIS in 40 dogs randomized into 8 survival groups (1, 4, 7, and 10 days and 1, 3, 6, and 24 months).
	Strength was decreased from day 1 to day 10 after implantation, followed by a progressive increase, until reaching double of the original strength 24 months after implantation.
	Rapid degradation with associated and subsequent host remodeling.

	Badylak et al., 2002 [55]
	Abdominal wall defect repaired with SIS in 10 dogs and 30 rats, both randomized into 4 survival groups (1 week, 1 month, 3 months, 6 months, and 2 years).
	
	(i) No shrinkage or expansion of the graft site over the 2-year period of the study. (ii) One week after implantation, abundant levels of polymorphonuclear leukocytes diminished to negligible after 1 month.
(iii) Moderate neovascularization. (iv) By 3 months, graft material was not recognizable and was replaced by moderately well-organized host tissues including collagenous connective tissue, adipose tissue, and skeletal muscle.

	Cole et al., 2003 [60]
	SIS removed from a 42-year-old female patient 4 months after pubovaginal implantation of the sling due to severe obstruction.
	
	(i) Completely intact acellular sling.
(ii) Well defined fibrous capsule.
(iii) Chronic inflammatory response.

	Zhang et al., 2003
[51]
	SIS implanted in the abdominal wall of rats for up to 2 months.
	SIS together with the abdominal wall has increased strength.
	Levels of interleukin 2 and interleukin 6 were high straight after the operation but they become normal after 2 months.

	Wiedemann and
Otto, 2004 [56]
	Biopsies taken from the implantation site of the SIS band under the vaginal mucosa from 3 patients during reoperation, at a mean of 12.7 months, after pubourethral sling procedures due to recurrent urinary stress incontinence.
	
	(i) Focal residues of SIS implant.
(ii) No evidence of a specific tissue reactionthat might point to a foreign body reaction.
(iii) No evidence of any significantimmunological reaction and in particular no evidence of any chronic inflammatory reaction.

	Konstantinovic et al., 2005 [50]
	Abdominal wall defect repaired with SIS in 24 Wistar rats randomized into 4 survival groups (7, 14, 30, and 90 days).
	Significant increase of biomechanical properties after 90 days of implantation.
	(i) Moderate acute inflammatory response atday 7, decreased to minimal after 90 days.
(ii) Moderate neovascularization.(iii) Abundant collagen deposition well organized after 90 days.

	Macleod et al., 2005 [62]
	SIS and cross-linked porcine dermis (Permacol) implanted subcutaneously on the anterior rectus fascia of 18 rats each randomized into 5 survival groups (1, 2, 4, 10, and 20 weeks).
	
	For both grafts:
(i) absent acute inflammatory response,
(ii) from moderate chronic inflammation after1 week of implantation to minimal after 20 weeks,
(iii) absent eosinophilic infiltration and stromalfibroblastic reaction over the entire implantation,
(iv) from moderate fibrosis and vascularityaround the grafts after 1 week of implantation to minimal after 20 weeks.

	Poulose et al., 2005 [57]
	12 female pigs were implanted with SIS intraperitoneally for up to 6 weeks.
	
	(i) Cell infiltration.
(ii) Vascularization.
(iii) Collagen deposition and remodelling.

	Thiel et al., 2005 [58]
	SIS implanted subcutaneously on the abdominal wall of 30 rats randomized into 3 survival groups (7, 30, and 90 days).
	
	(i) Moderate inflammatory reaction increasedto severe after 90 days.
(ii) 86% of the graft was replaced by newcollagen fibers.


Table 4: Continued.
	Author
	Sample
	Biomechanical properties
	Host response

	Krambeck et al., 2006 [26]
	SIS and porcine dermis implanted subcutaneously on the anterior rectus fascia of 10 rabbits randomized into 2 survival groups (6 and 12 weeks).
	
	(i) Porcine dermis presented moderate fibrosiswhich was minimal for SIS.
(ii) Minimal degree of scar for both grafts andhigh degree of inflammatory infiltrate.

	Ko et al., 2006 [54]
	Abdominal wall defect repaired with 8-layer SIS in 20 domestic pigs randomized into 2 survival groups (1 and 4 months).
	No significant changes of biomechanical properties after 4 months of implantation.
	(i) Dense fibrous connective tissue ingrowth.
(ii) Minimal to mild mononuclearinflammatory cell infiltrate throughout the connective tissue.

	Hilger et al., 2006 [20]
	Porcine dermis implanted in 20 rabbits randomized into 2 survival groups (6 and 12 weeks). Half implanted on the rectus fascia and half on the posterior vagina fascia.
	Very significant decrease of biomechanical properties after 12 weeks of implantation.
	(i) Two missing or fragmented materials 12 weeks after being implanted on the vagina. (ii) Moderate to strong inflammatory response. (iii) Minimal collagen ingrowth without significant cell infiltration.
(iv) Minimal neovascularization.

	Kim et al., 2007 [59]
	SIS implanted in the subcutaneous dorsum of 3 rats sacrificed after 2 weeks.
	
	(i) Prominent infiltration and ingrowth of hostcells.
(ii) Few macrophages infiltrated oraccumulated around the grafts.

	Rauth et al., 2007 [63]
	SIS implanted on the peritoneal surface of the abdominal wall of 6 pigs sacrificed 8 weeks after implantation.
	
	(i) 80% of contraction from original surfacearea.
(ii) Moderate neovascularization.(iii) Densely populated by host cells with moderate amounts of new disorganized collagen deposition.

	Woodruff et al., 2008 [27]
	Porcine dermis slings explanted after revision from 4 women, due to different complications, between 2 and 65 months after implantation.
	
	(i) Severe encapsulation.
(ii) No degradation.
(iii) No fibroblasts infiltration andneovascularization.

	Sandor et al., 2008 [64]
	Abdominal wall defect repaired with SIS and cross-linked porcine dermis (Permacol) in 33 primates randomized into 3 survival groups (1, 3, and 6 months).
	
	(i) Considerable contraction after 1 month forboth materials, but not significant change over the next 5 months.
(ii) Better integration of both materials at latestage by scar formation.
(iii) Inflammatory cells infiltration 3 monthsafter implantation for SIS associated with formation of few blood vessels.
(iv) Acellular porcine dermis over the entirecourse implantation with substantial inflammation surrounding their perimeter. (v) Partial resorption for both materials after 6 months.

	Pierce et al., 2009 [65]
	Cross-linked porcine dermis implanted on the abdominal wall and posterior vagina of 18 rabbits sacrificed 9 months after implantation.
	11 grafts remained intact without significant changes of biomechanical properties compared to the baseline values. They were just thicker and tolerated with less elongation at failure. Seven grafts were partially degraded but thicker again and with significant decrease of all biomechanical properties.
	(i) Host connective tissue incorporationbetween fibers.
(ii) Intense foreign body reaction in degradedgrafts.


Table 4: Continued.
	Author
	Sample
	Biomechanical properties
	Host response

	VandeVord et al., 2010 [39]
	SIS and porcine dermis implanted in 16 rats, respectively, and both randomized into 4 survival groups (2, 4, 8, and 12 weeks). Implantation around the bladder neck, anchored to the surrounding tissues.
	
	(i) Thin fibrous capsule formation.
(ii) Moderate cell infiltration and angiogenesisfor SIS and minimal for porcine dermis.

	Rice et al., 2010 [36]
	Abdominal wall defect repair with SIS (Surgisis) in 18 rats randomized into 2 survival groups (30 and 60 days).
	Increase of tensile strength after 30 days and, increase of tensile strength after 60 days, respectively, to 30 days.
	(i) Moderate amounts of collagen depositionwell organized.
(ii) Abundant revascularization.

	Deprest et al., 2010 [61]
	13 patients underwent secondary sacrocolpopexy because of a graft related complication after the initial sacrocolpopexy with porcine dermal collagen
(Pelvicol) (9) or SIS (Surgisis) (4).
	
	(i) Pelvicol presented high degradation rates associated with no foreign body reaction. (ii) Pelvicol remnants were integrated into collagen rich connective tissue with limited neovascularization (scar host tissue). (iii) No significant body foreign reaction to Surgisis grafts.
(iv) Surgisis no longer recognizable replaced by irregularly organized connective tissue and fat tissue.

	Liu et al., 2011 [49]
	Abdominal wall defect repaired with SIS and acellular porcine dermal matrix in 50 Sprague Dawley rats randomized into 5 survival groups (1, 2, 4, 8, and 12 weeks).
	After initial decrease of biomechanical properties at week 2, these were increased over the next 10 weeks reaching similar values to week 1.
	(i) Pronounced inflammatory response 1 to 4 weeks after implantation for SIS compared with porcine dermis, but falling to similar negligible values for both after 12 weeks.
(ii) Large neovascularization and collagendeposition, which was higher for SIS group. (iii) SIS implants degraded more quickly and were almost totally replaced by organized collagenous tissues.
(iv) Contraction at the first weeks leading to significant lower surface area in both materials.

	Jenkins et al., 2011 [53]
	Abdominal wall defect repaired with porcine dermal matrix in 24 Yucatan minipigs randomized into 2 survival groups (1 and 6 months).
	Significantly greater incorporation strengths after 6 months compared with 1 month.
	(i) Moderate cell infiltration.
(ii) Moderate extracellular matrix deposition.
(iii) Moderate neovascularisation.
(iv) Partial degradation and from widely tomild fibrous encapsulation.

	Kolb et al., 2012 [40]
	Cross-linked porcine dermis (Permacol) implanted subcutaneously in 5 pigs randomized into 4 survival groups (7, 21, 90, and 180 days).
	
	(i) Mild inflammatory response decreased tominimal from day 7 to day 180 after implantation.
(ii) None to minimal neovascularization after180 days.
(iii) Small amount of residual SIS remainedsurrounded by mild to moderate chronic inflammation.
(iv) Moderate levels of encapsulation.

	Daly et al., 2012 [66]
	Abdominal wall defect repaired with porcine dermis in rats randomized into 3 survival groups (1, 3, and 35 days).
	
	(i) Cell infiltrates into all grafts by day 35. (ii) Degradation of the scaffold most pronounced at the periphery with fibrous tissue, angiogenesis, and foreign body giant cells noted.
(iii) Grafts surrounded by a dense and circumferentially organized connective tissue. (iv) Mononuclear cells decreased in number compared with earlier time points.


Table 5: Polypropylene meshes.
	Author
	Sample
	Biomechanical properties
	Host response

	Falconer et al., 2001 [89]
	16 women were implanted with TVT for up to 2 years: 6 with Mersilene and 10 with Prolene.
	
	Mersilene induces higher inflammatory response than Prolene. Mersilene is easier to extract than Prolene.

	Klinge et al., 2002 [80]
	Heavy weight monofilament with small pore size (HWM) and low weight with large pore size multifilament (LWM) on the posterior abdominal wall of rats for
7, 14, 21, and 90 days.
	
	(i) HWM: intense inflammation,embedded in connective tissue.
(ii) LWM: less pronounced inflammatoryresponse and fibrotic capsule, with collagen distributed within the mesh.

	Wang et al., 2004 [90]
	17 women with sling erosion and 7 women with voiding difficulties implanted with TVT and SPARC.
	
	Pronounced fibrosis around the fibers—erosion and voiding difficulty as a result.

	Rabah et al., 2004 [84]
	Implantation of Surgipro and cadaveric fascia lata in rabbit’s bladder neck for 6 and 12 weeks.
	
	(i) Cadaveric fascia lata group: theimplant was incorporated in a plate of fibrous tissue.
(ii) Polypropylene mesh: inflammationlocalized on the graft.

	Spiess et al., 2004 [35]
	TVT and cadaveric fascia lata implanted in abdominal wall of rats for 6 and 12 weeks.
	TVT has the greater break load and the maximum average load compared to cadaveric fascia lata.
	

	Zheng et al., 2004 [81]
	Prolene and Pelvicol implanted in full thickness abdominal wall defects in rats for 7, 14, 30, and 90 days.
	
	Prolene prosthesis shows the presence of leukocytes in the activated state.

	Konstantinovic et al., 2005 [50]
	Marlex and non-cross-linked Surgisis implanted on the anterior abdominal wall of rats for 7, 14, 30, and 90 days.
	
	(i) Marlex: more pronouncedinflammatory reaction and
vascularization throughout the graft than
Surgisis
(ii) Surgisis: milder inflammatoryreaction.

	Yildirim et al., 2005 [38]
	Gynecare TVT, SPARC, polypropylene mesh, and IVS implanted in contact with the rats rectus muscle for up to 30 days.
	
	Inflammation and fibrosis are decreased in large pore meshes.

	Thiel et al., 2005 [58]
	Monofilament polypropylene mesh, silicone mesh, SIS, and PLA were implanted subcutaneously on the abdomen of rats for 7, 30, and 90 days.
	
	Polypropylene induces the mildest inflammatory response among the samples.

	Bogusiewicz et al., 2006 [83]
	Monofilament TVT and multifilament IVS were implanted in rats rectus fascia for 42 days.
	
	(i) They induce production of similaramount of collagen.
(ii) Differences in the arrangement ofcollagen and inflammation intensity.

	Boulanger et al., 2006 [87]
	Vicryl, Vypro, Prolene, Prolene Soft, and Mersuture were implanted in pigs peritoneum for 10 weeks.
	
	(i) Vicryl: low level of inflammation andcompletely absorbed.
(ii) Vypro: intense inflammation andstrong fibrotic response.
(iii) Prolene and Prolene Soft: wellintegrated, weak inflammatory response.
(iv) Mersuture: no good integration.

	Krambeck et al., 2006 [26]
	SPARC mesh, human cadaveric fascia, porcine dermis, SIS, and autologous fascia were implanted in rabbits rectus fascia for 12 weeks.
	
	(i) Polypropylene mesh has the greatestscar formation.
(ii) Polypropylene has the mildestinflammatory response.

	Boukerrou et al., 2007 [75]
	Preperitoneal implantation of Vicryl, Vypro, Prolene, Prolene Soft, and
Mersuture mesh for 2 months in pigs.
	Nonabsorbable, monofilamentous, macroporous materials (type I) seem more
resistant, retract less, and have the best tolerance.
	.


Table 5: Continued.
	Author
	Sample
	Biomechanical properties
	Host response

	Spelzini et al., 2007 [82]
	Polypropylene type I mesh and macroporous silk construct were implanted in rat fascial defects for 7, 14, 30, and 90 days.
	
	Polypropylene meshes induce a moderate inflammatory response and not architectural degradation.

	Zorn et al., 2007 [74]
	Rat abdominal wall was implanted with SPARC, TVT, and SIS for 6 weeks and 9, 6, 9, and 12 months.
	TVT has tensile properties similar to SPARC and they are superior to Stratasis.
	

	Bazi et al., 2007 [76]
	Rats rectus fascia was implanted with Advantage, IVS, SPARC, and TVT for up to 24 weeks.
	They all show similar mechanical properties after removal.
	They induce different host responses due to different porosity.

	Tayrac et al., 2007
	Ewes vaginas were implanted with a noncoated LW polypropylene mesh (Soft Prolene) and a coated one (Ugytex) from 1 to 12 weeks.
	
	Similar inflammatory response between the two materials.

	Huffaker et al., 2008 [86]
	Rabbits vaginas were implanted with
Pelvitex (collagen-coated) and Gynemesh (uncoated polypropylene meshes) for up to 12 weeks.
	
	Both materials induce a mild foreign body reaction with minimal fibrosis.

	Woodruff et al., 2008 [27]
	24 grafts were explanted in women undergoing sling revision after 2–34 months. Grafts were polypropylene meshes, autologous fascia, porcine dermis, and cadaveric dermis.
	
	No evidence of degradation or encapsulation, abundant host infiltration.
Neovascularisation was visible.

	Elmer et al., 2009 [91]
	Prolift was implanted in humans for 1 year.
	
	(i) Increase in macrophages and mastcells count.
(ii) Mild but persistent foreign bodyresponse.

	Pierce et al., 2009 [65]
	Polypropylene mesh versus cross-linked porcine dermis implanted in rabbits vagina and abdomen for 9 months.
	
	Polypropylene caused milder inflammatory reaction, more long term, good host tissue incorporation.

	Melman et al., 2011 [77]
	Bard mesh (HWPP), Ultrapro (LWPP), and GORE INFINIT Mesh (ePTFE) in minipigs hernia repair for 1, 3, and 5 months.
	Their maximum tensile strength decreases for all of them.
	(i) Inflammation decreases with time.
(ii) Cell infiltration increases with time.

	Pascual et al., 2012 [85]
	Surgipro, Optilene, and GORE INFINIT Mesh (ePTFE) were implanted in rabbits abdominal wall defect for 14 days.
	LWPP implants might be improved by the newly formed tissue around it.
	(i) PTFE induces an increasedmacrophage response when compared to polypropylene.
(ii) Increase in collagen deposition inhigh porosity meshes.

	Manodoro et al., 2013 [78]
	Gynemesh in two sizes (50×50 mm and 35×35 mm) implanted in 20 adult ewes for 60 and 90 days, both on the abdominal and vaginal walls.
	Implants were contracting
more when implanted on the vaginal wall, compared to abdominal wall.
Grafts implanted on the vaginal wall are stiffer than the ones implanted on the abdominal wall, after retrieval.
	(i) 30% of the 50×50 meshes caused vaginal erosion and exposure.
(ii) 60% of the 35×35 meshes had
reduced surface (i.e., contracting after 90 days.)


HWPP: heavy weight polypropylene.
LWPP: lightweight polypropylene (also called soft); ePTFE: expanded polytetrafluoroethylene; PLGA: polylactide-co-glycolide acid; PLA: polylactide acid; PGA: polyglycolide acid.

procedures with no guarantee of symptom resolution. Nevertheless with the observation that the vast majority of patients do well with mesh, it can be concluded that some degree of fibrosis is helpful to the surgical management whereas clearly excessive fibrosis is detrimental.
Implantation of autologous fascia in general showed good integration within host tissues, associated with a low inflammatory response, compared to polypropylene meshes and degree of graft remodelling in the available human studies [50, 84]. It must be borne in mind that the human studies were all reoperative cases for clinical failure. It is difficult to speculate on whether all successful outcomes result in fully integratedandremodelledgraft.Non-cross-linkedxenografts are associated with clinical failure due to rapid degradation which is presumably too soon for the regeneration of strong tissues in its place [20, 24, 29]. The cross-linked grafts avoid this but rather similar to the synthetic mesh are associated with a perpetuated inflammatory response as the body is unable to integrate and remodel them. This ultimately leads to encapsulation of the graft. It would therefore seem appropriate that there should be a proper balance of degradation and replacement by new host tissue with xenografts. SIS appears to fulfill this.
This relationship between grafts and host tissues will vary for different materials and with different individuals. Here it is worth noting that as many as 15% of the population are allergic to nickel and more than 80% can become sensitized to nickel on sustained exposure [97] and that there are very successful studies involving muscle regeneration using decellularized ECM [98]. Therefore, it is clear that the immune response to any foreign material is complex, dynamic, and patient specific. The fact that polypropylene meshes provoke little adverse reaction when implanted in the abdominal wall for hernia repair but are associated with complications in the pelvic floor may also suggest a site-specific host response notwithstanding the differences in biomechanical aspects [99]. This contrasting response has been confirmed in ewes [78], therefore the need for relevant animal models for longer studies [100].
5. [bookmark: _Toc447348784]Perspective on the Ideal Material
Whilst authors have previously described paradigms of the ideal material, we suggest that these have been unrealistic [101]. Ultimately a permanent material will always cause complications in some patients due to variation in individual immune responses. Conversely degradable materials will fail in some patients. The question is which is least desirable? Whilst recurrent symptoms can always be treated by corrective surgery, the complications of polypropylene mesh such as chronic pain have proven resistant to treatment in many cases. Thus we suggest that materials for this application should be degradable based on the principle of least harm. With this in mind, it is essential that the degradability is tuned so that it allows enough time for the development of a neotissue that is able to mechanically support the pelvic organs. A material that does not cause any inflammation is unrealistic and probably undesirable as an initial inflammatory response is required to promote angiogenesis and collagen ingrowth, integrating the material. This is essentially an M1 macrophage response. For this to happen, the material should be readily permeable to host cells. On a practical level any material for this application needs to be robust to withstand surgical handling and provide support at the point of insertion. We suggest that a more realistic material for this application would be the one that
(i) is degradable,
(ii) provokes an acute inflammatory response,
(iii) undergoes tissue remodeling,
(iv) is permeable to cells,
(v) is mechanically robust at point of implantation.
6. [bookmark: _Toc447348785]Conclusion and Future Perspective
The clinical experience suggests that both synthetic and biological materials can provide successful outcomes when used in the surgical management of pelvic floor disorders. However, it has become clear that there is an incidence of significant complications of polypropylene meshes and that many surgeons do not consider the complication rate acceptable. Both the host response and the mechanical properties of the materials need to be taken into consideration to predict success of the implants, in addition to their response to dynamic loading. There has clearly been a lack of adequate preclinical evaluation with polypropylene mesh and we suggest several steps which may make the development for new materials an altogether safer endeavor:
(i) a better understanding of the forces within thepelvic floor, whose materials need to cope with when implanted;
(ii) computational modeling of how materials might perform under load for many years (this can be achieved using in virtuo models once established);
(iii) the investigation of immune responses in patients inwhom materials perform well over many years versus patients in whom they cause severe complications (using biochemical markers, genomic markers, and non-invasive imaging);
(iv) the development of better animal models that developthe complications associated with vaginal mesh use such as exposure;
(v) establishment of standardized criteria to evaluate theperformance of materials in in vivo and in vitro studies so that they can be accurately compared.
There are several other factors which require urgent attention but are beyond the scope of this review. Surgical expertise based on training and experience in reconstructive surgery is a key factor in outcomes of pelvic floor procedures and there is a need to ensure that surgeons are adequately trained. Patient specific issues, such as individual anatomy and tissue strength, could also impact outcomes and further investigation remains necessary to assess these aspects and their role in determining outcome [102]. Although databases to track complication rates exist, such as MAUDE and Postmarket Surveillance Studies, the medical community needs to participate more fully in these databases in order to more critically audit patient outcomes and move forward.
Ultimately to develop new effective and safe materials there is a need for a multidisciplinary approach that combines the efforts of those working in regenerative medicine, biomaterials, and surgery.
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Simple surface coating of electrospun poly-L-lactic acid scaffolds to induce angiogenesis
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	Tissue-engineered constructs often fail due to poor integration with the patient’s tissues. Specifically, they fail to be neovascularised, leading to the death and loss of the implanted tissues. Thus, there is a need to produce angiogenic materials to improve tissue integration. We describe the development of a layer-by-layer approach to coat electrospun scaffolds to help promote angiogenesis into these biomaterials once implanted. Electrospun poly-L-lactic acid was coated comparing two different techniques – one using alternative layers of polyethyleneImine (PEI) and polyacrylic Acid (PAC) and one with alternative layers of PEI and heparin for a total of seven layers in both cases. Both scaffolds were then coated with heparin as the final layer. The scaffold coated with alternate PEI and PAC showed a clear ability to bind the most heparin. This scaffold was then studied further for its ability to bind vascular endothelial growth factor, which was confirmed using an ELISA. The scaffold coated with seven alternate layers of PEI and PAC and heparin was then implanted in a chick chorionic allantoic membrane (CAM) assay. After a period of 7 days in the CAM, the coated scaffold showed strong angiogenic activity. In contrast, the uncoated scaffolds did not promote angiogenesis. We conclude that this approach to functionalising scaffolds is effective within a clinically relevant time period (7 days in an in-vivo angiogenic model) and suggest this will be useful for improving integration of scaffolds once implanted.
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[bookmark: _Toc447348791]Introduction
The slow development of new blood vessels after clinical implantation of tissue engineered constructs is a limiting factor for the initial integration of any 3D tissue constructs.1,2 The thickness of the graft limits gas diffusion; if the scaffold thickness is >2mm, the graft will require blood vessels for its survival.3 For this reason, research focuses every effort to develop materials that can induce blood vessel ingrowth. Angiogenic biomaterials are often designed to regulate the release of growth factors and other bioactive molecules. Although many growth factors are responsible for blood vessel formation, it is believed that vascular endothelial growth factor (VEGF) alone is sufficient to promote angiogenesis.1Functional Biomaterials Surfaces

We previously reported an approach to produce hydrogels containing lysine and arginine to electrostatically bind heparin – which then bound VEGF – and was then demonstrated to be mitogenic for human dermal microvascular endothelial cells (HDMEC). Heparin has been included within scaffold architectures as a means to bind and stabilise VEGF, while regulating the release of the growth factor to promote vasculogenesis.4 We then more recently described a layer-by-layer (LBL) coating strategy using polyacrylic acid (PAC) as the polyanion and polyetheylenimine (PEI) as the polycation to coat
fibrous scaffolds with heparin.5
In our previous paper in which we first described a LBL approach, we focussed on a detailed characterisation of the formation of these heparin binding layers using quartz crystal microbalance with dissipation (QCM-D), X-ray photoelectron spectroscopy (XPS) and atomic force microscopy (AFM). We demonstrated that this methodology could be applied to both a
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commercially available non-degradable polypropylene mesh (currently used in hernia repair and in pelvic organ prolapse) and to a biodegradable electrospun poly(lactic/glycolic acid) (PLGA 75:25).5 In this study, we have developed this further by comparing two approaches to achieve heparin binding. We explored the possibility of using heparin itself as an anion for the LBL approach as it was proposed that heparin with alternate layers of PEI might be sufficiently electrostatictoachieveaboundlayerofheparin.Thus,theHEP and PEI coating was compared to the more established PEI/PAC coating. We then assessed the ability of the most effective coating strategy to induce new blood vessel formation in a bioassay called chick chorionic allantoic membrane (CAM) assay.
[bookmark: _Toc447348792]Materials and methods Scaffold synthesis
Electrospinning. PLLA (Goodfellow, UK) was dissolved in dichloromethane (DCM) (Sigma-Aldrich, UK) in 10% w/v proportion. The solution was left on a rocking platform overnight to dissolve at room temperature. The following day, 40mL of the solution was electrospun with a 50mL syringes fitted with a manifold holding 12 stainless steel blunt needles. It was placed horizontally on a programmable syringe pump (Kent Scientific, USA) and discharged at a rate of 480mL/s. The syringe was supplied with 17kV by a high voltage power supply (Genvolt, UK). The fibrous scaffold was collected on a rotating drum 16cm6cm in diameter at a distance of 17cm from the needles tips. This drum rotated at 300rpm, resulting in a 18cm16cm mat of approximately 150mm thickness. Scaffolds were produced at a room temperature of about 20C.
[bookmark: _Toc447348793]Surface modification
Plasma polymerisation. Electrospun PLLA scaffolds were plasma polymerised with 98% PAC (Sigma-Aldrich, USA) in deionised water. Electrospun PLLA mat was inserted into the glass chamber of the plasma rig. The initial pressure was adjusted at 3.010–2 mbar by opening the needle valve. The vacuum valve was then closed for 30s and the final pressure was 4.210–1 mbar. This process was repeated three times to ensure that the flow rate was stable. The power was then switched on for 20min by an RF-plasma at
13.56MHz and delivering at 15W.
Layer-by-layer coating. Two polyelectrolyte coatings were tested to understand which one was the most suitable for binding heparin (HEP). The first LBL coating was made by PEI and HEP. The second multilayer coating was made of PEI and PAC. Plasma polymerised electrospun scaffolds were transferred into an aqueous solution of 0.5% w/v PEI (Sigma-Aldrich, UK) at pH 9 for 30min at room temperature. Scaffolds were then washed four times with deionised water and they were immersed in a 100 U/mL aqueous solution of HEP (Sigma-Aldrich, USA) for 30min at room temperature. The other set of scaffolds, after plasma polymerisation, were also immersed in a 0.5% w/v PEI solution at pH 9. Then, they were immersed in a 0.5% aqueous solution of PAC (Sigma-Aldrich, USA) at pH 4 for 30min at room temperature. Both types of scaffold were washed again four times with deionised water and these steps were repeated each time throughout the production of the seven layers, with the last layer always being PEI. Figure 1 describes the coating protocol.
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Figure 1. Diagram of the coating protocol.
Heparin and VEGF coating. After the LBL coating, scaffolds were dipped in 2mL of 100 U/mL heparin aqueous solution for 4h at room temperature. Afterwards, scaffolds were washed four times in deionised water and left overnight in 1mL of 2ng/mL VEGF solution in PBS. The following day, the VEGF solution was removed and scaffolds were placed in fresh phosphate buffer saline (PBS) solution for 24h.
[bookmark: _Toc447348794]Surface characterisation
Scanning Electron Microscopy (SEM). After functionalisation with heparin, samples were dried at room temperature. They were then coated in gold with a sputter coater (Edwards sputter coater S150B, Crawley, England). Samples were imaged with a Phillips XL-20 scanning electron microscope (Cambridge, UK).
X-ray Photoelectron Spectroscopy (XPS). After functionalisation with heparin, the samples were left to dry completely at room temperature before surface analysis. Surface chemistry was verified by XPS. X-ray photoelectron spectra were obtained at the National EPSRC XPS User’s Service (NEXUS) at Newcastle University. The instrument used was the K-Alpha instrument equipped with a monochromated AlKa source
(Thermo Scientific, East Grinstead, UK). Pass energy of 200eV and a step size of 1.0eV were employed for survey spectra, while a pass energy of 40eV and a step size of 0.1eV was used for high resolution spectra of the elements of interest (Carbon, Oxygen, Nitrogen and Sulphur). Two spots were taken for each sample, and two samples of each scaffold type were analysed. Atomic percentages for each element were measured. Curve fitting was carried out with casaXPS programme (USA).
Ability of scaffolds to bind VEGF. The coated scaffolds were immersed into a 2ng/mL VEGF solution in PBS at room temperature overnight. The scaffolds were then washed once in 1mL PBS and left in a second wash of 1mL PBS overnight. A human VEGF enzyme-linked immunosorbent assay (ELISA) (Peprotech Inc., USA) was carried out on the wash solutions to quantify how much VEGF was present in the solutions and how much was therefore still bound to the surface of the scaffolds. The assay was carried out according to the manufacturer’s instructions.
Assessment of angiogenic properties of coated scaffolds using the CAM assay. Fertilised chicken (Gallus domesticus) eggs were purchased from Medeggs (UK) and incubated from day 2 of fertilisation until day 8 at 37C in a humidified egg incubator (R-COM Suro20).
At day 8, a square window (1 cm2) was cut into the shell and lifted, and a 2 cm2 fully functionalised electrospun scaffold was placed onto the CAM, with a black silk stitch placed in the scaffold to help later identify it on retrieval. Half of the samples were fully functionalised and soaked in VEGF prior to implantation, and then washed. The other half was plain PLLA soaked in VEGF solution and washed. Each egg was implanted with one scaffold only. The shell window was replaced with parafilm (Bemis Flexible Packaging, USA) and sealed with adhesive tape. After implantation, eggs were placed again at 37C in a 40% humidified incubator until day 14. At day 14, scaffolds were retrieved and the eggs were sacrificed. Angiogenesis was quantified by taking light microscope pictures just before scaffold retrieval and blindly scored by four independent assessors using histological images of the retrieved scaffolds. Figure 2 shows a cartoon of the timeline of this assay.
Histology. Histology was performed on the retrieved scaffolds. Scaffolds from the CAM were fixed in 3.7% paraformaldehyde (Sigma Aldrich, USA) in deionised water for at least 1h. They were placed into moulds for cryo-sectioning filled with OCT solution (Leica, Germany). They were left to freeze at 80C and 20mm sections were cut with the cryostat Leica CM1860UV (Leica Germany). Slides were then stained with haematoxylin & eosin solutions (H&E), according to the standard protocol for frozen slides. Slides were then covered with DPX (Sigma-Aldrich, USA) and a glass coverslip to be imaged with a light microscope (Motic, China). Quantification of cell infiltration and angiogenesis of each scaffold after CAM assay was based on the H&E histology. The four independent assessor evaluated blindly 22 images for cell infiltration and 14 images for angiogenesis from three different experiments(Table1).Thehistologyimageswereblindly scored from 1 (no cell infiltration) to 3 (massive cell infiltration) by 4 assessors. Angiogenesis was also blindly scored counting the number of blood vessels per slide.
Immunohistochemistry. Frozen slides were then stained for the CD31 antigen. Slides were firstly washed twice in PBS and then blocked with 10% bovine serum albumin in PBS for 1h. They were then incubated overnight at 4C with the primary antibody (Dako) (monoclonal CD31, 1:50). Samples were washed four times for 5min. Slides were then incubated for at least 1h with the secondary antibody goat anti-mouse Alexa488 (Life technologies) (1:200). Samples were then washed four times for 5min. Finally, they were incubated at room temperature for 20min with DAPI solution to stain the nuclei.
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Figure 2. Chorionic allantoic membrane (CAM) assay protocol.
Table 1. Blind assessment of extent of cell infiltration and angiogenesis of uncoated versus coated PLLA scaffolds.
	Cell infiltration
	
	
	Angiogenesis
	

	
	Sample
	PLLA (SD)
	Coated PLLA ( SD)
	PLLA ( SD)
	Coated PLLA ( SD)

	Exp. 1
	1
	1  0
	2.5  0.5
	0  0
	1.5  0.56

	
	2
	1.75  0.96
	2  0.58
	0  0
	4.5  1.29

	
	3
	1.25  0.5
	2.25  0.5
	1  0
	2.25  0.96

	
	4
	2  0.82
	2.5  0.58
	ND
	ND

	Exp. 2
	1
	1  0
	2.5  0.58
	0  0
	5.25  2.63

	
	2
	1.5  1
	2.25  0.5
	0  0
	4.5  1

	
	3
	1.5  0.58
	2.25  0.5
	ND
	ND

	
	4
	1  0
	3  0
	ND
	ND

	Exp. 3
	1
	1.75  0.5
	2.75  0.5
	0  0
	3  2.71

	
	2
	1.5  1
	2.75  0.5
	0  0
	2.5  1.29

	
	3
	1  0
	2.25  0.5
	ND
	ND

	Mean ( SD)
	1.38  0.65
	2.45  0.50
	0.14  0.38
	3.36 1.40


As seen from the table, PLLA membranes either uncoated or coated (and preloaded with heparin and VEGF as in the methods) were placed for 7 days onto a chick CAM. They were then removed and subjected to conventional H&E staining. The extent of cell infiltration was assessed by four assessors who were blind to the nature of the scaffolds they were examining. Cell infiltration was scored as 1 (no evidence of cell infiltration) to 3 (extensive cell infiltration). For angiogenesis, the assessors were asked to count the number of blood vessels they could see within their field of view (area of 3 mm  10 mm). Results in the table show the scores obtained by the four assessors and then the average values are given at the bottom of the table. Cell infiltration was significantly greater in coated scaffolds (p< 0.001) and the extent of blood vessels found in the coated scaffolds was also significantly greater than in the uncoated scaffolds


(p< 0.0001).
[bookmark: _Toc447348795]Results Morphology of the scaffolds
The appearance of the uncoated and coated scaffolds was investigated using SEM. This showed that after plasma treatment, the surface of the fibres appeared etched (Figure 3(a) to (d)) and enlarged compared to the plain fibres. After coating with seven layers of either PEI/PAC or PEI/HEP (Figure 3(e) to (h)) there was no further change in appearance or fibre size.
[bookmark: _Toc447348796]Plasma polymerisation of electrospun PLLA with acrylic acid
Plain PLLA was compared with plasma polymerised PLLA to quantify the presence of acrylic acid on the surface of the scaffolds by the atomic percentage
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Figure 3. The fibre surfaces before and after plasma treatment and layer-by-layer coating. Poly-L-Lactic (a and b), Poly-L-Lactic plasma polymerised with acrylic acid (c and d), Poly-L-Lactic plasma polymerised with acrylic acid and coated with seven layers of alternate PEI and PAC þ HEP (e and f), Poly-L-Lactic plasma polymerised with acrylic acid and coated with seven layers of alternate PEI


and HEP þ HEP (g and h).
(At.%) of the elements on the surface and by the presence of the carboxylic acid peak. Changes in height of the carbon and nitrogen peak heights of the two samples suggest the present of acrylic acid on top of the surface. Surface composition of plain PLLA was 65% carbon and 36% oxygen. For the plasma polymerised PLLA, the average atomic composition was 75% carbon and 25% oxygen, suggesting that the surface chemistry had changed (Figure 4(a) and (b)). Moreover, a narrow scan of the carbon for the plasma polymerised sample suggests the presence of the carboxylic group which is not present on plain PLLA surface (Figure 4(c) and (d)). Also, the carbon peak shape changed after plasma polymerisation (Figure 4(c) and (d)). Narrow carbon scans of the plain PLLA showed the three typical peaks of the carbon bonds present (C–C, C–O–C and C¼O)
(Figure 4(c)), while narrow carbon scans of the scaffolds after plasma polymerisation showed a distinctive carboxylic peak at about 289eV bonding energy, as a result of the plasma polymerisation with acrylic acid (Figure 4(d)).
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Figure 4. Assessment of surface chemistry of plain PLLA scaffold (a), plasma polymerised acrylic acid on electrospun PLLA (b), narrow scan of the carbon peak of the plain PLLA (c) and the carbon peak of the functionalised PLLA (d).


[bookmark: _Toc447348797]Coating with heparin
The two scaffolds, either functionalised with PEI and HEP or functionalised with PEI and PAC, were analysed by XPS for the presence of sulphur on the surface, indicating the presence of heparin. This is because the only compound with sulphur on the scaffold surface is the heparin salt. Thus, it would be possible to determine which scaffoldbinds the most heparin byquantifying the atomic percentage of the sulphur on these scaffolds.
From this analysis there was a significant difference between the two types of coating: PEI/PAC bound significantly more heparin then PEI/HEP. Accordingly, PEI/PAC scaffolds were then used for all future investigations. For PEI and PAC, seven layers of functionalisation gave slightly but not significantly more heparin bound than five layers (Figure 5).
[bookmark: _Toc447348798]ELISA confirmed that the heparin functionalised scaffolds bind VEGF
An ELISA was used to quantify the amount of VEGF that could be bound to the scaffolds functionalised with PEI and PAC with HEP. The amount of VEGF bound to the surface increased with the number of layers up to three layers but no further VEGF was bound with further layers (Figure 6).
[bookmark: _Toc447348799]CAM assay confirmed angiogenic activity of the functionalised scaffolds
The CAM assay was used to assess the angiogenic potential of the scaffold functionalised with PEI and PAC. Figure 7 shows light microscope pictures of the scaffold implanted on the CAM, in addition to histology of the scaffold after explantation. The pictures show how the chick blood vessels grow toward the functionalised scaffold in contrast to the non-coated PLLA scaffolds. H&E staining showed the massive cell infiltration of the chick cells into the functionalised scaffold, compared to the plain PLLA. CD31 staining shows that endothelial cells have infiltrated the angiogenic scaffold, while there were no endothelial cells in the plain PLLA.
Assessors then blindly scored the histology images of the implanted scaffolds (Table 1). Results show that there was a significant difference (p<0.0001) in
		 
	PLLA coated with PEI and HEP 
	PLLA coated with PEI and PAC 

	PLLA with 5 Layers 
		Name 
	At % ±SD 

	Carbon 1s 
	70.46±0.62 

	Oxygen 1s 
	22.34±0.48 

	Nitrogen 1s 
	7.21±0.13 

	Sulphur 2p 
	0 
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		Name 
	At %±SD 

	Carbon 1s 
	56.41 ± 0.47 

	Oxygen 1s 
	30.57 ± 0.70 

	Nitrogen 1s 
	8.77 ± 0.23 

	Sulphur 2p 
	4.26 ± 0.00 
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	PLLA with 7 Layers 
		Name 
	At %±SD 

	Carbon 1s 
	67.68±2.77 

	Oxygen 1s 
	21.69±0.64 

	Nitrogen 1s 
	10.10±2.14 

	Sulphur 2p 
	0.53±0.00 
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		Name 
	At %±SD 

	Carbon 1s 
	56.29±0.54 

	Oxygen 1s 
	30.75±0.38 

	Nitrogen 1s 
	8.36±0.24 

	Sulphur 2p 
	4.60±0.08 
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atomic sulphur on the surface (**p< 0.001, ***p< 0.0001).
infiltration and number of blood vessels observed between plain PLLA and PLLA coated with PEI and PAC (Figure 8).
[bookmark: _Toc447348800]Discussion
This work looked at developing flexible coating strategies to promote angiogenesis in biomaterials for future clinical use. In tissue engineering, it is well accepted that the failure to develop new vasculature quickly enough leads to failure of tissue engineered constructs.6 Indeed manygroupsarenowdevelopingapproachestopromote angiogenesis. It is particularly attractive to use natural and synthetic HEP mimetics like HEP-loaded hydrogels as these provide a more readily translatable approach to clinicaltranslationthanaddingrecombinantgrowthfactors. HEP modified tissue scaffolds and HEP modified bone cements, collagen matrices and functionalised micro and nanoparticles have all been developed.
	∗∗1050
1000
950
900
850
800
750
700
0
1
3
5
7
Number of la
y
ers
VEGF (pg/ml)

Figure 6. ELISA assay used to assess the optimum numbers of layers of polyethylene imine and polyacrylic acid needed to bind the highest amount of VEGF.
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The aim of this study was to develop a flexible LBL approach which could be used to coat a range of existing scaffolds and to evaluate to what extent this approach can induce angiogenesis in an in-vivo model. We compared two LBL approaches for binding HEP. One approach used alternative layers of PEI and PAC and the other looked at alternative layers of PEI and heparin. PEI/PAC coating was chosen because previously published work shows that it is a viable system to adsorb protein and sugars onto surfaces.5,7,8 In this study, we also wanted to explore the possibility of using alternate layers of PEI and HEP as multilayers based on the electrostatic charge between these two as heparin is more biocompatible than acrylic acid.
The first step of PLLA functionalisation for both coatings was plasma polymerisation with Acrylic acid. This step was essential in order to build the polyelectrolyte coating and to etch the surface. SEM images show an increase in surface roughness of the fibres, as a result of the plasma polymerisation (Figure 3(a) to (d)). This is probably a major factor in increasing the hydrophilicity of the scaffold after this treatment, in addition to the acid groups on the surface. This was also confirmed by the increase in fibre diameter after seven layers of coating, suggesting that water was taken up by the fibres after this coating, probably as a result of the acid plasma etching (Figure 3(e) to (h)).
The success of the plasma polymerisation was also confirmed by XPS (Figure 4), which showed the presence of carbon and oxygen on the surface of the scaffolds originating from the PLLA (Figure 4(a)).
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Figure 8. The quantification of cell infiltration and angiogenesis of scaffolds assessed using the chick chorionic allantoic membrane (CAM) assay. Scaffolds were placed on the CAM for 7 days and then removed and processed for H&E histology. These images (from three experiments with 3–4 samples in each) were then scored blindly by four assessors. For cell infiltration these were scored as 1 (no evidence of cell infiltration) through 3 (extensive cell infiltration). For angiogenesis the number of blood vessels in the field of view, were counted. Results shown are the average  SD and **p< 0.01.
After plasma polymerisation with acrylic acid, the proportion of the oxygen and carbon elements changed and the carboxylic peak was present at a binding energy of 289eV (tables in Figure 4(a) and (b)).
Previous studies have shown how PLLA surfaces can be successfully plasma polymerised with acrylic acid.9–11 The carboxylic peak at binding energy of about 289eV is recognisable in many other studies where acrylic acid has been plasma polymerised onto
a surface.12–15
Successful plasma polymerisation is essential to build a multilayer of polyelectrolytes, to ultimately bind HEP. LBL approaches are being used in tissue engineering because they are flexible and versatile. This approach has been used to bind or adsorb materials to surfaces to improve biocompatibility and cell adhesion of materials for biomedical applications.16 The successful coating in this study used PEI as polycation and PAC as the polyanion. The ability of the scaffolds to bind HEP was assessed by XPS and showed that more heparin was bound on the surface functionalised with PEI and PAC compared to the scaffold functionalised with PEI and HEP, as shown in Figure 5. These results are consistent with our recent study showing that the optimum number of layers to bind heparin was around 5–7 layers.5 Although we did not investigate more layers, the underlying message is that you need few layers to build up the surface charge necessary to bind heparin. Once that is reached, the amount of heparin that is bound does not appear to increase significantly.
We then confirmed, using an ELISA, that the heparin coated scaffolds were capable of binding VEGF. The ELISA results confirmed that there was little VEGF bound with a lower number of layers (see Figure 6) but by five and seven layers there was at least 950pg of VEGF bound per cm2. As the amount of heparin does not increase significantly with more layers, so it appears to be with the amount of VEGF bound. Other studies have shown that a multilayer of PEI and heparin will assist in protein adsorption.17 These authors found a PEI/PAC combination successful for binding proteins contained in foetal calf serum and this helped in cell adhesion. Another study found similar results using HEP and a polyanion where the polyelectrolyte multilayer aided cell adhesion and growth.18 In this study, we explored alternative of layers of PEI and HEP compared to PEI and acrylic acid but the results clearly supported the use of PEI and acrylic acid as the most effective approach to coating.
We then used the chick CAM model to show that the scaffold had a chemotactic effect on the production of new blood vessels. This CAM model is commonly used
in tissue engineering for this purpose.19–21
Several groups have investigated binding heparin to materials. They have shown that HEP binds growth factors such as VEGF to induce angiogenesis.22–26 These studies have all shown that heparin was able to bind growth factors and induce massive cell infiltration within the scaffold and eventual blood vessel formation. However, these studies developed methods to covalently bind HEP to their substrates. In contrast to this chemical binding process this study investigates the ability of HEP to be electrostatically adsorbed onto surfaces, specifically fibres. We investigate the applicability of a flexible LBL and HEP coating on a fibrous non-woven surface such as electrospun PLLA. We have shown how HEP was adsorbed onto the surface of electrospun PLLA and was able to bind VEGF and, once implanted in a chick CAM, to induce blood vessel formation towards the scaffold (Figure 7). Standard histology confirmed more extensive infiltration of chick cells into the functionalised scaffold compared to lesser cell infiltration into the uncoated PLLA scaffold (Figure 8). There is a general understanding that biomaterials which result in rapid growth of new blood vessels and tissue infiltration will be better tolerated than those which show delayed angiogenesis and persistent inflammation.27 This is a complex area but certainly for tissue engineered materials the imperative to obtain a blood supply rapidly for the survival of the tissues is clear. These results show that the functionalised scaffold can release VEGF over a clinically relevant time of 7 days.
Thus in conclusion, we report an approach which is not too technically difficult to coat existing fibrous scaffolds to make them more proangiogenic. In this study, we did not look into the stability of the surface coating which now needs to be determined but the key issue we have demonstrated is that these scaffolds can be made reproducibly and they will promote rapid neovascularisation in the CAM in-vivo assay. Once some initial neovascularisation is present, then arguably stability of the scaffold in terms of continued binding of heparin and VEGF becomes less relevant.
[bookmark: _Toc447348801]Conclusion
Electrospun PLLA fibres can be successfully plasma polymerised with acrylic acid to change their surface chemistry. A polyelectrolyte multilayer was then developed on the plasma polymerised surface, allowing appreciable amounts of heparin to be bound to the surface. This heparin was effective in binding VEGF. The fully functionalised scaffold with heparin and VEGF induced angiogenesis once implanted in a chick CAM model. Control non-coated scaffolds did not induce angiogenesis. We suggest this is a useful approach to treating existing scaffolds to make them angiogenic for better clinical integration.
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