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Abstract
Polyester elastomers are soft, biodegradable and biocompatible and are commonly used in various biomedical applications, especially in tissue engineering. These synthetic polyesters can be easily fabricated using various techniques such as solvent casting, particle leaching, molding, electrospinning, 3-dimensional printing, photolithography, microablation etc. A large proportion of tissue engineering research efforts have focused on the use of allografts, decellularized animal scaffolds or other biological materials as scaffolds, they face a major concern of triggering immunological responses from the host, on top of other issues. This review paper will introduce the recent developments in elastomeric polyesters, their synthesis and fabrication techniques, as well as their application in the biomedical field, focusing primarily on the tissue engineering in ophthalmology, cardiac and vascular systems. Some of the commercial and near-commercial polyesters used in these tissue engineering fields will also be described.

 

1. Introduction
Polyesters are polymeric macromolecules made of monomers bonded together by ester bonds. Ester bonds are chemical/covalent bonds formed between a -COOH carboxylic acid group and a -OH alcohol group. Esters, such as fatty acids, exist naturally in the human body1. They are mostly hydrophobic and have physical and mechanical properties that can be tuned2. 

Polyesters are innately biodegradable due to the ability of ester bonds to be broken down either by hydrolysis or by esterases present in the body, or both. This ability to degrade over time in vivo is crucial in tissue engineering as there will be a need to transfer the stress and functions from the degrading matrix to the newly cultured tissue3,4.  While traditional polyesters such as poly(L-lactic acid) (PLLA) and poly(glycolic acid) (PGA) degrade via the bulk degradation mechanism, some of the new polyester elastomers such as the polyglycerol sebacate (PGS) and poly(trimethylene carbonate) (PTMC) degrade by surface erosion5. This means that integrity of the material is maintained as the material degrades. This is because the degradation process happens only at the surface of the implanted material and mass loss and dimensional reduction is proportional to the surface area exposed to water. For this same reason, most of the materials that degrade enzymatically undergo surface degradation. As the molecular weight and molecular structure of the bulk of the material is not affected, there is no change to the material integrity as the material undergoes degradation. On the other hand, in the case of bulk degradation, water diffuses into the material matrix rapidly, reducing the molecular weight of the bulk material with no significant change in mass. The dimension of the material may remain the same, or even swell due to the rapid water absorption. As the molecular weight of the bulk material decreases, the material integrity is also affected. Finally, upon reaching a critical low molecular weight, rapid mass loss occurs accompanied by a burst release of degradation products and the material disintegrates5,6. In the field of drug delivery, this catastrophic material disintegration may also lead to a burst release of it’s loaded drugs, whereas surface erosion polymers could release at a much more predictable manner. In tissue engineering, the fast release of a large amount of degradation products may also result in severe cellular or tissue response. For these reasons, surface erosion polymers are typically preferred in biomedical applications. 

Many polyesters are elastic, which is the ability of the polymer to recover its initial shape after a deformation. Although many materials have elastic regions, an elastomer usually refers to a material that has an elastic region over a large strain7. An elastomer is a polymer with viscoelasticity and very weak inter-molecular forces, generally having low Young's modulus and high failure strain compared with other materials8. They are typically thermosets that have a glass transition temperature, above which the chains become amorphous and mobile. There are two types of elastomers: the physically crosslinked and the chemically crosslinked1. Physically crosslinked elastomers are crosslinked with weak bonds such as the hydrogen bonds, dipolar forces, crystalline regions, or by glassy domains. The rigid regions provide the crosslinking while the amorphous regions provide the flexibility for the elastomer. However, in chemically crosslinked elastomers, the chains are held together by covalent bonds which can only be conferred via multifunctional monomers. For instance, poly (diol citrate)s included the monomer citric acid which has tri-carboxylic acid groups to form the ester bonds with the other diols. These chemically crosslinked elastomers typically require a ‘crosslinking’ or ‘curing’ step to form the polymeric network. They do not have a melting temperature, unlike thermoplastic elastomers, and will not be able to be re-casted into a different shape. Polyester elastomers can be easily synthesized and tuned to be have elastic moduli in the MPa range, which matches well with the mechanical properties of the human soft tissues. They are therefore commonly used in biomedical applications such as medical implants, drug delivery and tissue engineering. 

The global market for tissue engineering was estimated at US$23 billion in 2015 and is expected to register a CAGR of about 23% between 2016 and 2022, reaching about US$94.2 billion by 20229. Tissue engineering focuses on the development of biological tissue substitutes that enable the restoration, maintenance and enhancement of the functions of diseased or damaged human tissues9. A large proportion of tissue engineering research efforts have focused on the use of allografts (tissue graft from a donor of the same species as the recipient but not genetically identical), decellularized animal scaffolds or other biological materials as scaffolds. However, these technologies face a major concern of triggering immunological responses from the host, on top of other issues. Synthetic biodegradable polyester elastomers are biocompatible, reproducible and cost effective, and have therefore evolved as an excellent alternative for the fabrication of tissue engineering scaffolds and other biomedical applications. For the purpose of this review paper, we will introduce some of the elastomeric polyesters, their synthesis and fabrication techniques, as well as their application in the biomedical field, focusing primarily on the tissue engineering in ophthalmology, cardiac and vascular systems.


2. Synthesis of Polyester Elastomers and their Properties
2.1 Aliphatic Polyester (PLA, PGA, PCL) – Based Elastomers
Poly(lactic acid) (PLA) has enjoyed a long history of being an attractive material for biomedical applications due to its excellent biocompatibility and biodegradability10–12. Similarly, poly(-caprolactone) (PCL) and poly(glycolic acid) (PGA) are biodegradable and biocompatible polyesters that have been FDA-approved for biomedical applications such as surgical sutures and drug delivery systems3,13–15. While the homopolymers of these established materials are not elastomers, many of their copolymers were developed to be elastomeric. 

PLA has been copolymerized with other common polyesters such as PCL and PGA to provide elasticity. Copolymerisation of PLA with PCL has been investigated to develop high performance elastomeric materials. PCL, compared to PLA and PGA, is more flexible and degrades much slower (in the magnitude of years). These contrasting properties can be harnessed to create materials for long-term delivery of therapeutics. The hydroxyl-terminated groups of PCL chains can be utilized to initiate the ROP of the L-lactide monomer to form PLA-PCL-PLA triblocks (Figure 1). These blocks are further extended with the use of hexamethylene diisocyanate (HDI). It was found that the elongation at break for the elastomeric multiblock copolymer exceeded 600% with Young’s modulus of 30 MPa. Moreover, depending on the composition of the PLA and PCL in the copolymer, the degradation profiles of the resulting elastomers can be programmed for specific in vivo applications16. Besides elastomeric PLA-PCL-PLA triblock copolymers, many other studies have reported improved elastomeric material properties from PLA/PCL based random copolymers - poly(lactide-co-caprolactone) (PLCL). Similar to the previous approach, HDI was used as a chain extender and this significantly increased the strength and flexibility of PLCL. Elongation at break of 790% along with high flexibility and strength were achieved for an 80/20 PCL/PLA. The Young’s modulus of the elastomer was found to be 2.7 MPa17–20. Another study used an in situ fibrillation technique to strengthen the PLCL matrix using PGA21. While PLCL demonstrated high elongation and moderate tensile strength, it possessed low Young’s modulus and moderately low degree of recovery when used in shape memory bio-implants. In situ fibrillation of PGA was used to disperse PGA microfibers into PLCL matrix to allow for strong interactions between the two phases. This significantly improved its recovery rate from 80.5% to 93.2%.

Another material, poly(glycolide-co-caprolactone) (PGCL), has also been manufactured to possess soft and hard domains22. PGCL scaffolds are not only more elastic than PLGA scaffolds, but can also withstand a much greater elongation without cracking. While PLGA showed a recovery rate of 85% under low strains at 3%, PGCL scaffolds showed a recovery of 98% even at strains up to 120%. Elastomers containing PLA, PCL and PGA have also been well exploited. Different approaches have been utilized to prepare PLA/PCL/PGA based elastomeric materials with desirable mechanical properties. PLGA can be first synthesized and copolymerized with PCL through self-polycondensation. For this PLGA/PCL copolymer, the glycolide segments could impede PLA crystallinity and improve the tensile strength of the elastomer up to 19.6 MPa with an elongation at break of approximately 500%23. In another approach, PLGA can be blended with PLCL. Such blended elastomers showed a tensile strength of 6.6MPa and elongation at break of 110%. This can be further tuned by varying the parent polymers in the blends24. 
[image: ]
[bookmark: _Ref506240422]Figure 1  Synthetic route of most representative polyester elastomers.
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2.2 Polyhydroxyalkanoates (PHAs)-Based Elastomers
Polyhydroxyalkanoates (PHAs) form a versatile family of polyesters with a wide range of mechanical properties25–27. PHAs are biodegradable, biocompatible and can be produced naturally by microorganisms in nutrient deficient environments (Figure 2A)28–31. PHAs can be divided into two groups according to the carbon-chain length of their monomers (Error! Reference source not found.Figure 2B). 

Slow degradation, high hydrophobicity and crystallinity, poor drug loading, and costly production of natural PHAs can greatly limit their application. Hence, PHA is currently used for research and development purposes only1. With genetic engineering, new bacteria can make a huge array of modified-PHA, but batch-to-batch variations in polymer structure and composition means that large scale production is not practical. Synthetic modifications of natural PHA via surface or chemical modifications or polymer conjugation can overcome these challenges. For example, water soluble PHA can be achieved by functionalizing the unsaturated side chains to dihydroxyl, hydroxyl and carboxylic acid groups32,33.

PHAs with 3-5 carbons in one repeating hydroxyalkanoate unit are classified as short-chain-length polyhydroxyalkanoates (SCL-PHAs). Typical examples of SCL-PHAs include poly(3-hydroxybutyrate) (PHB), poly(3-hydroxyvalerate) (PHV) and their copolymer poly(3-hydroxybutyrate-co-3-hydroxyvalerate) (PHBV). PHAs with 6 or more carbons in monomeric constituents are classified as medium-chain-length polyhydroxyalkanoates, (MCL-PHAs). Some examples are poly(3-hydroxyoctanoate) (PHO) and poly(3-hydroxynonanoate) (PHN), which are typically copolymerized with 3-hydroxyhexanoate (HHx), 3-hydroxyheptanoate (HH) and/or 3-hydroxydecanoate (HD)34 to result in more members of MCL-PHAs. Due to the short carbon chain lengths, SCL-PHAs typically have high crystallinity and need proper modification before they can be applied as elastomers. On the other hand, elastomeric MCL-PHAs have low degree of crystallinity and low melting points.

[image: D:\Dropbox-new\Dropbox\Dropbox\IMRE work\Paper\Reviews\Chem.Soc.Rev\Zhang KY\PHA structure-2.tif]
[bookmark: _Ref506302448]Figure 2 (A) Biosynthetic route of PHA catalyzed by polyester synthases. (B) Some commonly synthesized short-chain-length PHA monomers (SCL-HA) and middle-chain-length PHA monomers (MCL-HA). 3HB: 3-hydroxybutyrate, 3HV: 3-hydroxyvalerate, 3HHx: 3-hydroxyhexanoate, 3HO: 3-hydroxyoctanoate, 3HD: 3-hydroxydecanoate, 3HDD: 3-hydroxydodecanoate31. Reproduced from ref. 31 with permission from the Wiley, copyright 2016

A commonly used SCL-PHA is polyhydroxybutyrate (PHB), which is biodegradable. PHB is well known to be biocompatible based on several cell studies by different groups. A large quantity of PHB is already present in cellular membrane and 3-hydroxybutyric acid (3HB) is a natural metabolite. PHB degrades slowly (12-30 months) and can be utilized for longer term degradable implants. Its degradation product, 3HB, is also less acidic compared to α-hydroxy acids like glycolic and lactic acids degraded from PLGA. The pKa of 3HB is 4.41 whereas the pKa of lactic acid is 3.86 and that of glycolic acid is 3.83. Hydrophilic polymers such as PEG can be included to help accelerate its hydrolytic degradation according to its intended application. However, most SCL-PHAs, including PHB, are too rigid and brittle for biomedical applications due to the high degree of crystallinity35. Copolymerization of PHB with PEG eliminated the brittleness of PHB and provided a Young’s modulus of 21 MPa. Furthermore, the strain at break values increased significantly up to 1912%. This tunability is possible because PHB is hard and hydrophobic while PEG is soft and hydrophilic. By varying the length of the PHB and PEG block, the crystallinity and water uptake capacity of the copolymer can be changed to suit the application requirements. The biodegradable amphiphilic PHB-PEG films also demonstrated good cell biocompatibility in cytotoxicity studies36. Xu et al. conjugated P3/4HB with poly (ethylene glycol) (PEG) to create a myriad of soft elastomers to highly crystalline plastics. This alternating block polyurethane similarly demonstrated excellent hemocompatibility and good rat aortic smooth muscle cell viability37. 

Other types of PHAs with extended structures such as poly(3-hydroxybutyrate-co-3-hydroxyvalerate) (P3HB-co-3HV) and poly(3-hydroxybutyrate-co-4-hydroxybutyrate) (P3HB4HB) also present better flexibility and toughness38–40. In addition, the copolymerization of P3HB4HB with other types of PHAs to form poly(ester-urethanes) results in improved elastomeric properties than the individual constituents. For instance, copolymerization of P3HB4HB with poly(3-hydroxyhexanoate-co-3-hydroxyoctanoate) (PHHxHO) produced an amorphous polymer with reduced glass transition temperature of approximately -23ºC41. Varying the composition of HHx in PHBHHx may also change the smoothness and hydrophilicity of the surface. 

In contrast to SCL-PHAs, MCL-PHAs have lower melting temperature, glass transition temperature and degree of crystallinity. The physical properties of MCL-PHAs can be tuned from semi-crystalline elastomers to amorphous tacky polymers with the observation that the glass transition temperature decreases with increasing pendant chain length. At certain side chain lengths, MCL-PHAs are useful elastomeric biopolymers, displaying low tensile strength and high elongation at break. Further increase in the side chain length of MCL-PHAs will lead to more viscous polymers42. Ongoing studies can improve these properties through blending or copolymerization with other materials. Some of these materials include natural or synthetic rubbers, as well as other polymers. For example, MCL-PHA poly(3-hydroxyundecenoate) (PHU) may be grafted with PEG to modulate the mechanical properties of the copolymer43. With increasing PEG content in PHU-g-PEG, the elongation at break and tensile strength increased to maximum values of 606% and 263 MPa respectively. The biocompatibility of the PHU-g-PEG copolymer also improved significantly in the presence of PEG. In summary, both SCL-PHAs and MCL-PHAs are useful polymers that can be fabricated into elastomeric materials for more advanced applications. 

2.3 Poly (polyol sebacate)
Poly (glycerol sebacate) (PGS) is a transparent, almost colorless polyester synthesized from glycerol and sebacic acid. Polyols and sebacic acid are endogenous human metabolites and they have already been applied in the food, drug and cosmetic industries. PGS is formed in two steps (1) polycondensation of glycerol and sebacic acid and (2) crosslinking44 (Figure 1). For the conventional polycondensation reaction, equimolar mixtures of glycerol and sebacic acid were polymerized at 120 °C under argon for 24 h. Curing requires high temperature (> 80oC) and long reaction times (> 24hrs) and this prevents in-situ tissue polymerization and the incorporation of many therapeutics. To overcome the harsh reaction condition, photocrosslinking is now made possible by adding the acrylate moiety to prepolymers 45. Poly(glycerol sebacate) acrylate (PGSA) can be cured much more quickly on the scale of minutes, and at ambient temperatures46. By controlling the polymerization parameters, such as the curing temperature, curing time and the molar ratio of alcohol to acid, PGS with a wide range of physico-chemical properties can be synthesized. PGS is a semicrystalline polymer. It was reported that PGS displays a very low glass transition temperature (< 80 °C) and is completely amorphous above 37 °C. A wide range of properties of PGS is possible by controlling the curing temperature, curing time and the molar ratio of alcohol to acid. However, the glass transition temperature is not affected by the degree of crosslinking.  The degree of crystallization for PGS can be significantly decreased with increasing curing time and temperature. PGS shows the typical nonlinear stress–strain behavior similar to that of vulcanized rubber, with average Young’s modulus of 0.03–1.2 MPa, tensile strength of ~0.5 MPa, and elongation at break of more than 300%47. Both the covalent crosslinking of the polymer network and the hydrogen bonding interaction between random coils contribute to the special elastomeric properties of PGS. PGS has been considered as a next-generation biomaterial for soft tissue engineering, as its Young’s modulus matches that of native ligaments, blood vessels and human myocardium44,48.

Beside elasticity, the biodegradation mechanism of PGS is another reason why it is attractive in tissue engineering. PGS degrades via surface erosion, allowing the implant geometry to be preserved and mechanical strength maintained. In contrast, many polyesters, such as PLA, PLGA and PCL experience bulk degradation, leading to catastrophic and unpredictable loss in implant geometry and integrity.  The mechanical strength of PGS decreases markedly prior to mass loss44,49. The degradation rate of PGS correlates highly its degree of crosslinking. It is found that the in vitro degradation rate (soaking in culture medium) of PGS was 0.6 – 0.9 mm/month for those crosslinked for 2 days, and those PGS sheets crosslinked for 7 days displayed a lower degradation rate of 0.2 – 0.6 mm/month. The in vivo degradation of PGS was found to range from 0.2 to 1.5 mm/month50. PGS as a biomaterial also shows good biocompatibility with cells. The degradation products of PGS are glycerol and sebacic acid, which are natural metabolites in the human body. Although PGS has not been approved by FDA, some copolymers containing glycerol and sebacic acid have been approved for certain medical applications50. Moreover, there are no catalysts or additives applied during PGS polymerization, which eliminates potential toxicity in vivo applications.  

A major challenge in the design of a biodegradable elastomer is to achieve cytocompatibility while preserving good elasticity.  Fully crosslinked PGS are highly biocompatible but they are brittle and inelastic1. This can be attributed to the less rapid accumulation of toxic degradation products when more ester linkages have to be cleaved in a fully crosslinked polymer. Alternative chemical approaches are required to decrease the rate of enzymatic hydrolysis. A slower degradation can better match tissue recovery rates which could be in months and years1. PGS can be copolymerized with other polyesters51 or made into a composite. For example, alkaline bioactive micron-sized Bioglass® filler has been shown to enhance both mechanical properties and biocompatibility52. However, Pomerantseva et al. showed that PGS implants in vivo do not differ much in degradation rate and biocompatibility when different crosslinking densities were used. Histological examination revealed good overall biocompatibility across different samples53. Interestingly, PGS elastomer also displays excellent shape-memory behavior which would be very useful in applications such as vascular stents and orthodontic wires. At room temperature, PGS is a straight rubber strip at its permanent form. The sample is then deformed by external source, cooled to -40oC and the force removed. This deformed shape is stable and returns to the original shape when the room temperature is restored again. Shape restoration occurs within 20s and the recovery ratio is 99.5%54. 
2.4 Poly (diol citrate) (PDC)
Similar to the polymerization process of PGS, poly (diol citrate) (PDC) is synthesized from the conjugation of a three carboxyl compound (citric acid) to a two hydroxyl compound (diols or glycols) via thermal polycondensation (Figure 1). As citric acid monomer is a metabolic product of the Kreb cycle, the degradation by-product of the polymer should be safe to the body. After polycondensation, crosslinking or curing can be performed under relatively low temperatures (as low as 37oC) at atmospheric pressure, in the absence of toxic catalysts or crosslinking agents55,56.  Unlike the harsh polymerization condition of PGS, the mild synthesis conditions of PDC would allow proteins and other temperature-sensitive therapeutic molecules to be entrapped in the polymeric network during crosslinking57,58. Four aliphatic diols are typically used for PDC synthesis: 1,6-hexanediol, 1,8-octanediol, 1,10-decanediol, and 1,12-dodecanediol. The most commonly studied is poly(1,8-octanediol) (POC). POC is desirable for its mechanical properties: Young’s modulus ranging from 0.92– 16.4 MPa, tensile strength of 6.1 MPa and elongation at break of 117–265%, which is suitable for soft tissue engineering applications. POC has demonstrated great biocompatibility and minimal inflammatory potential for vascular, cartilage and bone tissue engineering49,59. Its mechanical properties and biocompatibility, together with other properties such as degradation rate and wettability can be fine-tuned by varying the synthesis and curing parameters (curing temperature, curing duration, use of vacuum, and initial monomer molar ratio)60. For example, increasing the crosslinking temperatures and time will increase the ultimate tensile strength and Young's modulus. At the same time, the elongation at break will decrease. The degradation rate of PDC is tunable by varying the synthesis processing. A curing processing under harsh conditions (such as high temperature with low atmosphere pressure) always leads to a low degradation rate, due to the high crosslinking degree of the polymer. The in vitro degradation time (soaking in PBS at 37 °C) is about half a year, and the in vivo degradation of PDC is usually faster than in vitro degradation due to the enzymatic or cellular effects.

Loading labile active pharmaceutical ingredients into poly (diol citrate) may damage the drug content because of the required high temperatures used in monomer dissolution. Post-synthesis loading is also not feasible due to non-homogenous drug distribution. To overcome this, Serrano et al. used deep eutectic solvents (DES) based on mixtures of octanediol and lidocaine drug61. This DES provides the synthesis ingredients as well as the dissolution medium for the citric acid, which is subsequently added. Hence, lidocaine drug can be incorporated homogenously into the PDC at temperatures below 100oC.

2.5 Poly[octanediol-co-(citric acid)-co-(sebacic acid)] p(OCS)
p(OCS) is a new class of elastomer synthesized from a catalyst-free polyesterification of citric acid (CA), sebacic acid (SA) and octanediol. The synthesis process is started with the preparation of pre-polymers by melting mixtures of monomers at high temperatures (140-160 °C) for 1 hour. Next the pre-polymers were cured ~80 °C for 7 days62. p(OCS) elastomers can be engineered into thin films, coating or porous scaffolds via hot press, spin-coating or solvent casting particulate-leaching techniques. The p(OCS) contains randomly distributed CA/SA segments. By using various ratios of CA and SA, a range of hydration (4-15 %), Young's modulus (0.19-1.1 MPa) and degradation rate (9-70% weight loss in 4 weeks) can be achieved. Moreover, Tg of the polymer can also be tunable from -7 °C to -18 °C63, and the water contact angle ranged from 30 to 65 °C64. The pendant carboxyl group not only determines crosslinking density but also the concentration of carboxyl group on the polymer surface, which regulate the biocompatibility of the polymer. Surface carboxyl groups can either stimulate or inhibit cell attachment and differentiation of neural cells, keratinocytes and osteoblast-like cells. These carboxyl groups can also function as handles for the covalent attachment of ECM proteins, growth factors and protein sequences to provide cues for tissue regeneration. As the CA is being gradually replaced by SA, hydration and thus hydrolytic degradation will decrease. Longer hydrophobic chains of SA do not allow water penetration into the construct to cleave the ester bonds. In vitro biocompatibility has been demonstrated with human MG63 osteoblast-like cells where p(OCS) and the polystyrene control showed similar cell viability49.  

2.6 Poly (trimethylene carbonate) 
Poly(trimethylene carbonate) (PTMC), initially under-utilized due to poor form stability and mechanical properties, has become an important aliphatic polycarbonate for applications such as long term contraceptive implants65,66. In contrast to PLA or PGA, an advantage of PTMC in biocompatibility is that acidic compounds are not produced upon degradation. High molecular weight PTMC rubbers show relative good stability and mechanical properties. The homopolymer displays a Young’s modulus of > 6 MPa, tensile strength of > 12 MPa and elongation of break of >800% when molecular weight (Mn) reach 200,000 Da and above. High molecular weight PTMC also shows good dimensional recovery after cyclic mechanical deformation. However, below a number average molecular weight (Mn) of 100,000 Da, PTMC suffers from poor mechanical properties and dimensional stability65. Young’s modulus of the polymer drops to ~2 MPa, tensile strength reduced to 0.5 MPa and elongation of break shorten to 230 %. To address the issue of poor mechanical properties, many approaches have developed for the enhancement of PTMC. UV photo-crosslinking of low molecular weight PTMC with methacrylate end groups can be performed to improve mechanical properties such as creep resistance67. Densely crosslinked PTMC-based scaffolds can be achieved in copolymers involving mPEG (methoxypoly(ethylene glycol), l-lactide (LLA) and PCL68,69. The scaffolds show extensive inter-connected micro-pores and are cell-compatible for tissue engineering applications. Besides using UV, crosslinking can also be achieved with gamma-irradiation. Dimensionally stable microporous scaffolds with excellent creep resistance can be obtained in gamma-crosslinked networks70,71,72. For example, after 20 deformation cycles at 30% elongation, no permanent deformation is observed. The drawback with using high-energy irradiation is that chain scission usually occurs simultaneously with crosslinking. Hence, Yang et al. synthesized crosslinker bis(cyclic carbonate) to form PTMC networks via ring-opening polymerization of TMC and/or ε-caprolactone (CL)66. Varying the CL content and amount of crosslinker can result in an implant with desirable mechanical and thermal properties. The glass transition temperatures of the networks are below 37˚C, which means the implants can be highly flexible in vivo. Similarly, Grøndahl et al. synthesized P(TMC-co-LLA) copolymers with different ratios of TMC and LLA. They found that by varying the ratio of the monomers, physico-chemical properties of the copolymers can be tuned. Copolymers with a low content of TMC (16%) exhibited a relatively high Tg (44°C), high Young’s modulus (271 MPa) but low elongation (356%), while copolymers with high content of TMC (49%) displayed a low Tg (14°C), low Young’s modulus (2.8 MPa) but very high elongation at break (1287%)73. PTMC is commonly combined with ε-caprolactone or D,L-lactide to form materials with suitable mechanical properties and degradation rates55,74. TMC and ε-caprolactone (CL) copolymer network degrades via surface erosion and the degradation rate varies depending on TMC to CL ratio, molecular weight and the irradiation dosage 72,74.  For co-polymer films containing 70-100% TMC, gamma irradiation appears to be a dominant factor for degradation than copolymer composition75. In vivo degradation of poly(TMC-CL) with higher TMC content proceeds via surface erosion, while those with higher CL content proceeds via bulk degradation74. Due to the presence of lipase, enzymolysis contributes towards a faster degradation than hydrolysis in vivo. Besides the cleaving of ester bonds, lipase also serves as a surfactant to enhance the dissolution of the degradation products. 

[bookmark: _Hlk506239526]When copolymerized with PDLA, poly(TMC-DLLA) copolymer network degrades 20 times slower than PTMC. While homopolymer PTMC takes 1 year to degrade 96%, poly(TMC-DLLA) copolymer takes only 3 weeks to degrade the same extent76. As the ester bonds in PDLA are more susceptible to cleavage than carbonate bonds in PTMC, higher PDLA content results in a higher rate of degradation77. Besides being biocompatible and biodegradable, shape memory property is essential in applying these polymers for minimally invasive surgery. Poly(TMC-DLLA) can not only achieve a high shape recovery ratio of above 80% but is also capable of recovering to its permanent shape in seconds77,78.

2.7 Poly (caprolactone fumarate) (PCLF)
Yaszemski’s group developed a novel self-crosslinkable and biodegradable copolymer, poly (caprolactone fumarate) (PCLF) in 2008. PCLF was synthesized via polycondensation of fumaryl chloride and PCL diol in methylene chloride and triethylamine at 0˚C79 (Figure 1). Each caprolactone provides four free rotating C-C bonds, making the PCLF chain highly flexible. This increased accessibility of the fumarate double bonds and ester bonds translates to an increased susceptibility to crosslinking and hydrolysis80. The PCLF macromer is capable of self-crosslinking without employing toxic crosslinking agents. After crosslinking, the storage modulus of PCLF can be increased to 1.2 MPa. PCLF porous scaffolds can also be fabricated via salt leaching technique with sodium chloride particles as the porogen. The same group developed photo-crosslinked PCLF networks soon after. Three polycaprolactone fumarates synthesized from polycaprolactone (PCL) diols with different molecular weights (530, 1250, 2000 g mol-1) were reacted with five different amounts of photo-initiator81. The copolymers displayed Tg between -50 and -60 °C and Tm ranging from 20 to 40 °C. The effect of initiator/polymer ratio on mechanical properties is largely dependent on crystallinity of the PCLF. Since PCLF530 is amorphous at all initiator/polymer ratios, the tensile modulus (0.87 ± 0.07 MPa) and stress at break (0.48 ± 0.40 MPa) remain at relatively low values. The mechanical properties of PCLF1250 at room temperature are greatly determined by the initiator/polymer ratio because its melting temperature is close to room temperature.  PCLF2000 is highly crystalline and the changes in initiator/polymer ratios have an overall weak impact on the high tensile modulus, stress-at-break and pull-out force. The tensile modulus of PCLF2000 can reach 138 MPa and elongation at break can reach 117%.  PCLF films are also highly biocompatible as demonstrated by histology studies after 1 month of subcutaneous implantation in rats. The surrounding tissue showed no inflammatory response and the fibrous capsule formed was comparable to that of the negative control80. 



 
21

Table 1 Material Characteristic Properties of the Representative Biodegradable Polyester Elastomers and Their Applications
	Materials 
	Tg (°C)
	Tm (°C)
	Mechanical Properties
	Parameters for Mechanical testing
	Biodegradation behavior
	Tissue Engineering Applications
	Reference

	PLCL
	16.4 – 57.3
	137.2 -173.7
	σmax = 17.2 – 26.6 MPa
E = 12 – 1343 MPa
εmax = 314.2 – 485.8%
	Room Temp
Tensile rate = 20 mm/min
	19% weight loss in 15 weeks in vivo 
	- Vascular tissue engineering
- Catheters in urology 
- Cartilage tissue regeneration
	17–20,82–84

	PGCL
	-19.3
	-
	σmax = ~0.6 MPa
εmax > 250%
	Room Temp
Tensile rate = 1 mm/min
	> 1.5 month
	- Smooth muscle tissue engineering
- Soft tissue regeneration
	20,85

	PLGC
	-57.8 – 7.6
	-
	σmax = 19.7 – 31.5 MPa
E = 19.6 MPa 
εmax = 500 – 1356%
	Room Temp
Tensile rate = 10 mm/min
	90% weight loss in 16 weeks
	- Mechano-active tissue engineering
	24,86–88

	P4HB
	-49
	54
	σmax = 50 MPa
E = 0.07 MPa 
εmax = 1000%
	Room Temp
Tensile rate = 20 mm/min
	2 – 12 months
	- Absorbable suture
(FDA approved)
- Heart valve
	89–91

	PHBHHx
	-1.16
	97
	σmax = 4.5 MPa
E = 0.135 MPa 
εmax = 107%
	Room Temp
Tensile rate = 5 mm/min
	15% weight loss in 70 days
	- Nerve conduit 
- Cartilage proliferation 
- Blood vessels
- Bone regeneration
	92–95

	PHO
	-36
	51
	σmax = 45.1 MPa
E = 10.4 MPa 
εmax = 198%
	Room Temp
Tensile rate = 20 mm/min
	95% weight loss after aerobic cultivation for 38 h
	- Pulmonary heart valve
- Subcutaneous patches
	96–99

	PGS
	< 80
	5 - 37
	σmax = ~0.5 MPa
E = 0.03 – 1.2 MPa 
εmax> 300%
	Room Temp
Tensile rate = 10 mm/min
	0.2 to 1.5 mm/month
	- Myocardial patch
- Nerve conduit
- Retinal tissue engineering
- Vascular tissue engineering
	100–102

	POC
	-5 – 10
	-
	σmax = ~6.1 MPa
E = 0.92 – 16.4 MPa 
εmax = 117 – 265%
	Room Temp
Tensile rate = 500 mm/min
	Half a year in vitro
	- Vascular tissue engineering
- Cartilage tissue engineering
- Cardiac tissue engineering
	60,103,104

	p(OCS)
	-18 – -7
	28
	σmax = 0.2 - 0.6 MPa
E = 0.19 - 1.1 MPa 
εmax = 160 - 230%
	Room Temp
Tensile rate = 10 mm/min
	9-70% weight loss in 4 weeks
	- Bone regeneration
	62,63,105

	PTMC
	-19 – -11
	-
	σmax = 0.5 - 17 MPa
E = 3 - 7 MPa 
εmax = 230 - 800%
	Room Temp
Tensile rate = 50 mm/min
	3 weeks to degrade >90%
	- Smooth muscle tissue engineering
- Drug delivery system
- Vascular tissue engineering
	65,68,70,106

	PCLF
	-50 – -60
	20 - 40
	σmax = 0.5 - 17 MPa
E = 3 - 7 MPa 
εmax = 230 - 800%
	Room Temp
Tensile rate = 6 mm/min
	-
	- Injectable scaffolds
- Bone regeneration
- Nerve conduit  
	80,81,107




PLCL: Poly(lactide-co-caprolactone); PGCL: Poly(glycolide-co-caprolactone); 
PLGC: Poly(lactide-co-glycolide-co-caprolactone); P4HB: poly(4-hydroxybutyrate)
PHBHHx: Poly(3-hydroxybutyrate-co-3-hydroxyhexanoate); PHO: Poly(3-hydroxyoctanoate);
PGS: Poly(glycerol sebacate); POC: Poly(1,8-octanediol); P(OCS): Poly[octanediol-co-(citric acid)-co-(sebacic acid)]; PTMC: Poly(trimethylene 
carbonate); PCLF: poly(caprolactone fumarate); σmax: Tensile strength, E: Young’s modulus, εmax: Elongation at break.
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3. Processing Methods of Polyesters
3.1 Solvent Casting and Particle Leaching
Solvent casting involves casting a dissolved prepolymer in a mold to form a film in the prescribed form when the solvent is completely evaporated. Pores can be created using the particle leaching technique whereby a porous scaffold is formed when the porogens are leached out22,56. Solvent casting and particle leaching are usually performed together whereby porogens are incorporated into the prepolymer solution. The porogen leaching step is usually conducted after the prepolymer has been casted and cured into a solid elastomeric film. Pore size, porosity and pore interconnectivity are tunable. For example, poly (glycerol sebacate) (PGS) scaffolds containing both macropores and micropores can be generated using sodium chloride crystals. The removal of salt particles creates the interconnected macropores (75-150μm) while the partial evaporation of glycerol during curing results in micropores (5-20μm)108.  Scaffolds can have "open pore" microarchitecture when wet and "collapsed pore" structure when dry. Dramatic decrease in porosity (85% to 10%) can occur when the scaffold undergoes processes such as freeze-drying109. This closing of pores enables the encapsulation of therapeutics, allowing for a reduced burst release profile and more sustained drug release.  Despite the ease of performing solvent casting in laboratories, it carries disadvantages which prevent industrial scaling-up. Large quantities of organic solvents are required for the dissolution of drugs and polymers leading to a more tedious and unsatisfactory step110. The organic solvents can also denature the therapeutic compounds during the encapsulation step. The material becomes ineffective and may even cause immunogenicity and toxicity to the host. Lastly, batch-to-batch variation in the composition of the implants can be high.

3.2 Compression Molding, Injection Molding and Extrusion  
Before compression molding, the preheated polymer and drug mixture is first casted in an open heated mold cavity. The mold is covered up with plug member such that the viscous polymer mixtures are forced to fill up the entire mold areas. Curing then occurs and the heat and pressure are maintained throughout curing. Quenching to room temperature can be done using cold water75.  While fabricating complex scaffold which matches anatomical structures, polymer release from the mold with minimal alteration is challenging111. Compression molding can be done on specially made flexible-rigid combined mold which is conducive to scaffold shaping and release112. Only moderate temperature above the glass transition temperature and below the flow temperature is required. Room temperature compression molding with particle leaching is also possible using solvent assistance113. Two solvents are necessary - one dissolves the polymer but not the porogen (organic solvent) while the other dissolves the porogen but not the polymer (water). The mixture of concentrated polymer solution and salt particle is tightly compressed at room temperature before undergoing solvent and salt removal. The caveat of this approach is that the scaffold will shrink after solvent evaporation. Injectable polymers such as poly (propylene fumarate) (PPF) can be crosslinked on site post-injection, via chemical reactions or photocrosslinking114. 3D-printed constructs are first created and then these polymers are injected to fill up cavities of specific geometries. After crosslinking to form the scaffold, the supporting materials are removed. Highly porous scaffolds of complicated shapes can be made with high precision and reproducibility at room temperature111. This avoids degradation from heat or the need for high pressure as in compression molding.  Extrusion is a solvent-free method which involves pushing a polymer-drug mixture through a die to generate scaffolds with fixed cross-sectional designs. The polymer-drug mixture is maintained in a semi-liquid state via heat or shear stress from the extrusion screw. The extrudate is subsequently cooled down and solidified. Finally, the implants with specific dimension requirements will be cut out. The disadvantage of hot extrusion is the denaturation of therapeutics and scaffold material can occur110.

3.3 Replica Molding 
Replica molding can be used to produce scaffolds with desired surface topography. This technique can precisely generate sub-micron surface features so that the impact of topographical cues on cell orientation and morphology can be studied115. For example, nanotopographic features have been shown to enhance primary rat hepatocytes attachment and proliferation under serum-free conditions116. Negative mold silicon or polydimethylsiloxane (PDMS) masters are first created using standard photolithography and plasma-etching techniques. Sucrose is spin-coated onto the masters as a sacrificial mold release layer. The poly (glycerol sebacate) (PGS) prepolymers are heated up to allow spreading across the mold before being cured. The crosslinked polymers are then delaminated in water117,118 (Figure 3). 

[image: ]
[bookmark: _Ref489036142]Figure 3: Replica molding procedure for fabricating PGS scaffolds117. (A) PDMS negative molds with micron size pillars were created from a photopatterned silicon master. (B) After plasma oxidation, sucrose was spin-coated onto the masters as a sacrificial mold release layer. (C) Molten PGS was spin-coated and cured in a vacuum oven. (D) Finally, the PGS scaffold was delaminated in water. Reproduced from ref. 117 with permission from the Elsevier, copyright 2008

3.4 Electrospinning 
Electrospinning results in fibrous scaffold which closely represents the protein fiber meshwork in native extracellular matrix. This method of making 3D scaffolds has been used for diverse tissue engineering applications using a variety of polyesters40. The electrospinning setup consists of three components (1) spinneret (2) fiber collector (3) high-voltage power system (Figure 4). A viscous polymer solution is fed through the spinneret tip with the help of a syringe pump. A high-voltage / low-current power system converts the polymer into a charged polymer jet which travels a few centimeters onto the fiber collecting device. The pendent polymer droplet becomes charged on the spinneret tip. Deformation into a jet stream happens due to droplet surface charge repulsion and external electric field force. Usually, the fibers are produced in a randomly aligned manner, similar to the natural scaffold morphology. Aligned nanofibers can are produced using a rotatable cylinder or disc as the fiber collecting device. Fiber orientation is determined by a gamut of factors such as rotational speed, shape of collector, concentration of polymer solution and the electric field119. Fiber dimensions can be fine-tuned using solvent composition, solvent concentration, electrospinning voltage and spinneret-to-collector distance120. Compared to other scaffold fabrication techniques, electrospinning presents unique advantages. The anisotropic nature of fiber-aligned tissues, such as the knee meniscus, can be mimicked closely40,44. These scaffolds have high surface area-to-volume ratio and high porosity. This maximizes the area for cellular adhesion and proliferation, and facilitates the diffusion of nutrients and waste products. Depending on the specific setup for the collecting substrates, electrospinning carries limitations such as fiber thickness and area of aligned fibers119. Delicate control of the parameters is also necessary to prevent the formation of junctions and beads on the fibers. Fiber thickness may vary over a broad range and the mechanical properties of the fiber meshes may be unsatisfactory121.
[image: F:\IMRE\Review and Research paper Kangyi\Polyester Chem Soc Review\electrospinning kangyi final.png]
[bookmark: _Ref489036171]Figure 4: Schematic showing an electrospinning setup.

3.5 3D Printing, Photolithography and Laser Microablation
Computer-aided fabrication processes, also known as rapid-prototyping or solid free-form techniques (SFF), are advantageous in producing scaffolds of complex geometries and accurately designed surface topography56. Computer-aided design (CAD) is used to precisely fine-tune the pore structures, scaffold porosity and scaffold permeability. There can be direct 3-dimensional (3D) printing and indirect 3D printing122. Direct 3D printing refers to the printing of an object with the polymer-of-interest directly, and indirect 3D printing refers to the 3D printing of molds for the casting of the polymer-of-interest.  For instance, stereolithography can be used to create inverse or negative wax mold, which  will then be used to shape the liquid prepolymer mixture such as poly(propylene fumarate) and poly(glycerol sebacate)114,123. Crosslinking then occurs, yielding the completed scaffold. 

For direct 3D printing, some of the common techniques used to fabricate polyester elastomers include stereolithography apparatus (SLA), direct light processing (DLP), selective laser sintering (SLS) and fused deposition modeling (FDM)56. These techniques construct 3D objects in a layer-by-layer manner.   Photopolymerization is usually used in SLA to produce a solid from a thin layer of liquid polymers. A laser beam traces the shape of each plane of the desired object according to the CAD drawing and cures the layer of liquid polymer to form a layer of the solid object. A new layer of liquid polymer is then introduced and the laser curing continues in a layer-by-layer fashion to form the final solid shape. Once printing is completed, the object needs to be rinsed with a solvent and then placed in an ultraviolet oven to finish processing124. DLP is a type of 3D printing that is very similar to SLA, except the light source. In DLP, light is shone on the entire plane of the liquid resin, solidifying the entire layer in a short period of time. DLP is fast, robust and has a high resolution, with less wastage of the liquid resin compared to SLA124. Polypropylene fumarate (PPF), due to its ability to photocrosslink, has been used in both SLA125 and DLP126 for the fabrication of tissue engineering scaffold, using bisacylphosphine oxide (BAPO) as the photoinitiator. However, for biomedical application the inclusion of photoinitiators may increase the toxicity of the material towards biological tissues. A thorough washout of all unreacted photoinitiators and photocrosslinkers are necessary. 

Selective laser sintering (SLS) is another technique used in the 3D printing of tissue scaffolds. It works by the sintering of powdered resins/polymers using a laser beam to form solid objects. The printing is also done layer-by-layer, with a new layer of powder applied on top of the last-printed layer. The SLS technique is more suitable for applications with high mechanical strength and low porosity. Appropriate pre- and post-heat treatment of the polymer resin is also required to reduce the shrinkage of the final object122. Various other parameters such as the laser power, scan spacing and laser thickness have to be optimized as they may have a significant effect on the mechanical properties of the final printed object122,127.

The FDM technique works with thermoplastics as it melts and extrudes its resin via a nozzle onto a base according to its path as planned out in CAD. The FDM machine extrudes or prints melted thermoplastics layer-by-layer, forming a solidified object after the extruded thermoplastic layers fuses with the previous layers as they cool down. The objects printed are ready to be used once the support materials (introduced in order to print certain geometries) are washed off. Thermoplastic biocompatible, biodegradable elastomeric materials have been used for printing of tissue scaffold via FDM. The advantage of FDM that it eliminates the use of organic solvents which may be used to dissolve polymer resins in SLA or DLP to form liquid polymer solutions before photocrosslinking. 

Photolithography enables the micro-patterning of a substrate via light / laser treatment.  Computerized data can be used to manufacture the photomask to contain complex micro- or nano- features. This photomask is placed above the photoresist. This photoresist is light-sensitive and can either be a positive or negative (inverse) photoresist. The desired geometric patterns will be transferred onto the substrate, which is placed below the photoresist. Photolithography and plasma etching can produce silicon masters with features less than 10μm - a very relevant length scale for cell-material interaction118. In the example of PGS, the polymer layers would be applied over the negative mold silicon masters in replica-molding as discussed earlier. Microfluidic networks for optimal cellular function, determined from computer flow-modeling simulations, are designed and fabricated using AutoCAD. These network patterns are transferred onto chrome-on-glass masks for photolithography. Networks are created on silicon wafers after photolithography and etch-passivation cycles. For adhesive applications nano-pillars can be created on poly (glycerol-co-sebacate acrylate) to mimic the nanotopography of a gecko's foot. The distance between each nano-pillar and the dimensions of the pillar can be fine-tuned to control tissue adhesion128. Standard photolithography can be combined with laser microablation to fabricate well defined patterns and pores for muscle tissue engineering129. After creating patterns of double ridged gratings on PGS, the gratings are placed facing downwards on sucrose-coated glass slides to avoid alterations by the subsequent microablation. Pulsed laser drilling is used to generate top-to-bottom pores which can be square or anisotropic rectangles in shape. The combination of micropatterning for well controlled surface topographies and laser microablation for pore generation is better than each technique alone. The resulting scaffold demonstrates robust mechanical properties and desirable muscle cell penetration and orientation129. Excimer laser ablation has also been used to create accordion-like honeycomb design in PGS for myocardial regeneration130. The anisotropic mechanical property successfully replicates the ventricular myocardium, and cultured neonatal rat heart cells can preferentially orientate without any external stimulus.


4. Polyesters in Ophthalmology Applications
4.1 Poly (glycerol-co-sebacic acid) for Retinal Tissue Engineering
Degenerative retinal diseases, such as age-related macular degeneration and retinitis pigmentosa, ultimately cause photoreceptor cell death and the disintegration of the retinal pigment epithelium (RPE). Transplanting entire cell sheet on a substrate is a more viable solution than injecting cellular suspension due to poor cell viability in the latter option131. The desired material should possess properties that mimics the sub-retina space - high flexibility and extensive elongation. PGS had showed tremendous potential in terms of structural support and graft material for retinal cell transplantation44. PGS scaffold demonstrated a maximum strain at failure of ~113% and a Young's modulus of ~1.66MPa117. These properties surpassed the properties of native retinal tissue - elastic modulus of 0.1 MPa and 83% strain at failure.  PGS grafts also presented suitable porosity and micro-topology which promoted proliferation and differentiation of retinal progenitor cells (RPCs)117,132.  To enhance cellular attachment, PGS can be coated with nanofibers comprised of laminin and PCL133,134. Laminin, an extracellular matrix protein, had been proposed for surface modification of polymeric substrates to achieve RPC survival and differentiation131. Using replica molding involving micropatterned PDMS, PGS scaffolds with tunable and defined pores can be easily created. Mouse RPCs favorably adhered to the scaffold, proliferated for 7 days and differentiated towards mature phenotypes. Furthermore, PGS membranes containing mouse RPCs can be scrolled and inserted into a syringe (1 mm inner diameter) for sub-retinal injection. The membrane preserved and protected the cell sheet from shear forces, while minimizing damages to host tissues. One month after transplantation, there was new cell migration to the host retina and cellular differentiation132. Ultimately, retinal organization and structure should be well preserved to enable proper signal transduction to host neurons. Alternatively, PGS can be used as a biodegradable physical barrier to disrupt choroidal blood flow to the host outer nuclear layer (ONL). When placed in the sub-retinal space, it will result in ischemic retinal detachment and removal of host diseased photoreceptors. These diseased cells obstruct successful healthy integration of transplants133,135. The donor composite graft consisted of a transplant outer nuclear layer (tONL), containing healthy photoreceptors, fused with a PGS membrane134(Figure 5). In animal studies, porcine neuro-retinal explants on PGS membranes were successfully transplanted into adult porcine eyes. Three months post-surgery, the PGS membrane had degraded without any sign of inflammation. The host ONL had disintegrated, and fully-developed photoreceptors could integrate with an intact host retinal pigment epithelium.
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[bookmark: _Ref489036259]Figure 5: Illustration of the composite retinal graft model134. Top: The choroid supplies the photoreceptors in the outer nuclear layer (ONL) while the retinal vessels supply the inner retinal cells in the inner nuclear and ganglion cell layer (INL and GCL). Middle: The composite graft consists of photoreceptors in a transplant outer nuclear layer (tONL) fused with a PGS membrane. This graft is placed in the subretinal space, causing the blockage of nutritive support to the host ONL. This leads to ischemia and the removal of host photoreceptors. Bottom: Following PGS membrane degradation, the remaining inner retina of the host integrates with the transplanted photoreceptors (tONL), creating a new retina with all normal layers. Reproduced from ref. 134 with permission from the Elsevier, copyright 2010

4.2 Poly (propylene fumarate) Drug Delivery Systems and Eyelid Reconstruction
Repeated intraocular injections can cause major complications such as cataract and retinal detachment. A sustained drug delivery system which avoids traumatic invasive administration and removal of device is necessary. The practical approach to inserting such device would be an injectable formulation. In addition, the drug release profile must enable therapeutic levels in the vitreous cavity over long periods of time. Injectable, in situ formed poly(propylene fumarate) (PPF) can be used as a biodegradable matrix for the long term ocular delivery of an anti-inflammatory drug, fluocinolone acetonide (FA)136. PPF in biocompatible N-methyl-2-pyrrolidone (NMP) precipitates upon introduction to an aqueous environment, forming the matrix. In another approach, a photo-initiator was added and the injected matrix was subjected to dental blue light to trigger photo-crosslinking. Drug release kinetics can be varied by changing the drug loading, PPF content and degree of crosslinking. Initial burst release was followed by release based on diffusion and bulk erosion. Notably, FA release could be sustained for more than 400 days in vitro. 

A later study by the same group examined three ophthalmic drugs of different molecular weights and water solubility - acetazolamide, dichlorphenamide and timolol maleate. The delivery device was a cylindrical rod fabricated via photo-polymerization of PPF and N-vinyl pyrrolidone (NVP). Sustained drug release of more than 210 days was achieved for all three drugs with a small initial burst release of less than 10%137. In a later study, hydrophilic matrix modifications were performed to modulate drug release kinetics. By introducing only 1% of PEG to the timolol-loaded matrix, drug release duration was decreased by one-third. Acceleration of drug release was also achieved by increasing NVP content of the PPF-NVP mixture. The fine-tuning of release profiles will be paramount to address different patient needs and treatment outcomes138. 

The tarsal plate of the posterior lamella in eyelid, provides rigidity and fibrocartilaginous support. Many materials have been explored as substitute materials for eyelid reconstruction. Homologous grafts, such as nasal cartilage, and xenogenic substitutes may result in inflammation and undesirable immune rejection. Sourcing of homologous grafts is also very challenging139. Poly (propylene fumarate)-co-2-hydroxyethyl methacrylate (PPF–HEMA) was synthesized into a synthetic tarsal substitute via gelatin particle leaching (Figure 6). PPF was covalently cross-linked with HEMA to present good fatigue resistance and elongation-at-break. Furthermore, the biodegradable PPF-HEMA was highly biocompatible when implanted onto rabbits as compared to allogenic acellular dermal matrix (ADM) control. 
[image: ]
[bookmark: _Ref489036283]Figure 6: Eyelid structure and reconstruction of tarsal plate defects using a PPF and HEMA copolymer scaffold139. Reproduced from ref. 139 with permission from the Royal Society of Chemistry, copyright 2015


5. Polyesters in Cardiac Tissue Engineering
Cardiovascular disease is the leading global cause of death, accounting for more than 17.3 million deaths per year140. Nearly 801,000 people in the U.S. died from heart disease, stroke and other cardiovascular diseases in 2013. The direct and indirect costs of cardiovascular diseases and stroke amount to more than $316.6 billion. Myocardial infarction or ischemic heart disease is a major contributor towards the high morbidity and mortality of cardiovascular disease. During a myocardial infarction, a region in the heart experiences a severe reduction in its blood supply (ischemia), leading to cardiomyocyte deaths. The current treatment or prevention measures include pharmacological therapies (such as catecholamines, angiotensin-converting enzyme, aldosterone etc.), surgical intervention and implantation of pacing devices to ‘reset’ the heart during arrhythmic episodes141.  However, these therapies could not adequately prevent disease progression and heart transplantation is the ultimate treatment option141,142. Due to the insufficient heart organ donors and issues with immune suppressive treatments, doctors and scientists are actively seeking for more effective alternative treatments. Tissue engineering of cardiac tissues with biodegradable polymers to create in vitro cardiac tissue engineering scaffolds for the culturing of artificial cardiac tissue, or to fabricate cardiac patches for the delivery of cells and repair of damaged heart tissues in vivo had been heavily researched on in the past few years. These efforts have shown some intriguing progress and the materials, fabrication techniques and outcomes will be illustrated in greater details in this chapter. 
5.1 Cardiac tissue engineering scaffold requirements
There are several considerations when trying to engineer cardiac tissues: scaffold mechanical properties, degradation profile, tissue culture conditions, scaffold fabrication technique and scaffold porosity143. Therefore, in choosing the appropriate material as the scaffold, the mechanical properties and the fabrication technique used to generate a compatible porosity for cardiac cellular proliferation needs to be considered as an entire package. To better match the requirements of cardiac tissues, understanding of the properties of the cardiac tissues is necessary.

[bookmark: _Hlk488175450]The stiffness of the native heart muscle is 10–20 kPa at the beginning of diastole, and 20–500 kPa at the end of diastole144–149. Another source reported the bulk modulus of post-mortem human left ventricles being 0.25 GPa and a tangent shear modulus of 60 – 148 kPa under dynamic loading of 300 – 1200 s-1 and 200 – 2800 s-1 respectively143,150. The material chosen for cardiac patch should also be able to withstand cyclic mechanical strain as it goes through the extension and relaxation cycles along with a beating heart in vivo.

Beside the material’s mechanical properties, a cardiac tissue engineering material should ideally completely degrade within 6 to 8 weeks in vivo to allow for tissue integration with the host without restricting further tissue regeneration over time151. 

In order to allow for the diffusion of oxygen and nutrient required to support the growth of cardiac cells, in vivo cardiac patches tends to be about 100 µm thick152. This diffusion limit, however, may vary for different materials, as long as the structure supports sufficient mass transport to the cardiac cells. For instance, polyglycerol sebacate (PGS) should be used up to a maximum of 250 µm without mass transport concerns153. 

The thickness of the cardiac left ventricular wall ranges from 1 - 2 mm in the apex to 12 - 15 mm at the base. While there is a clear gap between the thickness of a viable patch to that of the actual heart, fabrication techniques may potentially narrow this gap. Strategies, such as the fabrication of micro-sized T-shaped hook, could be used to stack layers of poly(ocatamethylene maleate(anyhydride)citrate) (POMaC) cardiac scaffolds up to a thickness of 712 ± 7 µm in a three-layered structure154. On the cellular scale, the porosity of the tissue scaffold plays a major role in the success of the tissue culture. As myocardium is a dense tissue and requires the close interconnections of many cardiomyocytes in order to contract in unison, the cardiac scaffolds needs to have a high degree of porosity155. Based on the ECM density in the heart, a cardiac scaffold requires a porosity of >90% to sustain high cell density155. It was measured that the average pore size of the native and decellularized ventricular tissues was 0.0019 ± 0.0018 mm2 and 0.1355 ± 0.078 mm2, respectively156. The diameter of cardiac cells ranges from 10 µm to 35 μm155,156.  A minimum pore size of 35 µm will therefore have to be fabricated in all cardiac scaffolds to allow room for cardiac cell growth. In fact, pore sizes are usually engineered to be 4-5 times bigger to facilitate the migration of the seeded cardiac cells into the scaffold and to associate to one another157. Beside cellular migration, the pores are also important in the transmission of electrical signals between grafted cardiomyocytes. Electrical conduction plays a major role in enabling a synchronous contraction of the cardiac muscle cells. This contraction in unison is crucial for the coordinated pumping of the blood from the atria to the ventricles before to the various organs in the body. As almost all polyesters are not inherently electrically conductive, it is important for the polyester cardiac scaffolds to be structured in ways that allow for the transmission of electrical impulses between cardiomyocytes130. 

[bookmark: _Hlk488175520]To meet these requirements, numerous elastic polyesters had been used as a tissue engineering scaffold for cardiac tissue engineering. Elastic polyesters such as, poly(L-lactide-co-ε-caprolactone) (PLCL)158,159, poly (L)-lactic acid with trimethylene carbonate (P(L)LA-co-TMC)160, poly[1,8-octanediol-co-(citric acid)-co-(sebacic acid)] (POCS)161, polyglycol sebacate142,149,153, poly(ocatamethylene maleate(anyhydride)citrate) (POMaC)154, poly(octamethylene maleate (anhydride) 1,2,4-butanetricarboxylate)151. 

5.2 In vitro cardiac tissue engineering scaffolds 
One approach to treating cardiac diseases is to culture functional cardiac tissue in vitro, before implanting it into the patient. To achieve this, an appropriate material for cardiac tissue culture would be required. Hard and rigid substrates cause the cardiac cells to de-differentiate and lose their functional abilities162. Generally, two strategies are employed to match the scaffold’s mechanical properties to that of the cardiac tissue: 1) by selecting materials that has inherent mechanical properties similar to that of the cardiac tissue, and/or 2) by processing materials (copolymerization, engineering porosity, electrospinning etc.) such that the overall processed scaffold will exhibit mechanical properties matching that of the cardiac tissue. 


Mukherjee et.al. electrospun commercially available poly (L)-lactic acid with trimethylene carbonate (P(L)LA-co-TMC) into highly porous mats with micron-scale interstitial pores160. The P(L)LA-co-TMC fibers electrospun had a diameter distribution of 530 ± 110 nm, as compared to the electrospun pure P(L)LA fibers of 610 ± 180 nm. The glass transition temperature of electrospun P(L)LA-co-TMC mats was around 34˚C while that for P(L)LA was about 60˚C. Due to this difference, the tensile modulus of P(L)LA-co-TMC mats was 19 ± 5 MPa while that for P(L)LA was 126 ± 25 MPa at 37˚C. The P(L)LA-co-TMC mats also demonstrated a much higher yielding strain at 37˚C due to its transition from glass to rubbery state pass its glass transition temperature. The P(L)LA-co-TMC mats exhibited complete strain recovery even after a 10% strain while the P(L)LA mats were permanently deformed after only a 3% deformation. These results showed that P(L)LA-co-TMC mats were elastomeric and soft and therefore suitable for use as a cardiac graft. The culturing of adult rabbit cardiomyocyte isolates on the P(L)LA-co-TMC mats demonstrated enhanced proliferation compared to P(L)LA electrospun mats. These cells also developed good intercellular interactions, maintained their morphology and expressed cardiac protein marker α-actinin by day 14. Poly[1,8-octanediol-co-(citric acid)-co-(sebacic acid)] (POCS) and fibrinogen (FBN) was used to prepare electrospun nanofibrous scaffolds161. The Young’s modulus for the scaffold electrospun at a POCS: FBN ratio of 50:50 was measured to be 270 ± 70 kPa, which is similar to that of human myocardium. This scaffold also demonstrated the ability to allow for proliferation and expression of cardiac markers of human cardiomyocytes. In vitro degradation experiments showed that the scaffold lost its nanostructures in approximately 30 days. Although most of these scaffolds have mechanical properties comparable with that of native cardiac tissue, they lack the mechanical anisotropy that is present in natural cardiac tissues. For instance, specimens of adult rat right (RV) and left (LV) ventricular myocardium were tested in the circumferential (CIRC) and longitudinal (LONG) directions, and effective stiffness (ECIRC, ELONG) was obtained130. Adult rat RV myocardium had an ECIRC of 54 ± 8 kPa, ELONG of 20 ± 4, p < 0.01, and ECIRC/ELONG of 2.8 ± 0.5.  Adult rat LV myocardium has an ECIRC of 157 ± 14 kPa, ELONG of 84 ± 8, p < 0.01, and ECIRC/ ELONG of 2.1 ± 0.4.  To match the mechanical anisotropy, Langer’s group patterned PGS into an accordion-like honeycomb structure as a cardiac tissue engineering scaffold153. The accordion honeycomb pattern was chosen so that the scaffold exhibited spring-like elasticity, topographical cues for cell alignment, and anisotropic stiffness in the XY-plane. The structure was designed by overlapping two 200 μm x 200 μm squares at 45 degrees, with 50 μm wide struts (Figure 7 A). Such a structure exhibited distinct preferred (PD) and orthogonal, cross-preferred (XD) directions which could achieve: (1) close matching of mechanical properties of an native adult rat right ventricular myocardium, (2) induce cardiomyocyte contractility by electric field stimulation with directional dependence and (3) better cardiomyocyte alignment than the more common isotropic scaffolds130. The accordion-like structure was chosen as it demonstrated the highest degree of anisotropy compared to rectangular or square structures. The PGS accordion-like honeycomb structures were fabricated by soft lithography, by excimer laser microablation of PGS membranes of 250 μm thick. This thickness was chosen to minimize mass transport hindrance. By adjusting the curing time of PGS, the group was able to fabricate a scaffold with a stiffness of 83 ± 2 kPa in the PD direction and 31 ± 1 kPa (p < 0.0002) in the XD direction, and EPD/EXD ratio of 2.7 ± 0.1 kPa after wetting the PGS scaffold for 24 hours. 
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[bookmark: _Ref489036333]Figure 7 A. Scanning electron microscope image of the accordion-like honeycomb PGS scaffold fabricated using excimer laser microablation technique. B. Confocal microscope image of fluorescently stained neonatal rat heart cells cultured in the accordion-like honeycomb PGS scaffold over 1 week (green for actin filaments, counterstained blue for cell nucleus).  Reproduced from ref. 153 with permission from the Nature Publishing Group, copyright 2008
After culturing with neonatal rat ventricular cells in vitro for one week, majority of the pores of the honeycomb structure were filled with cells, grossly aligned in the PD direction (Figure 7 B). The seeded graft yielded a stiffness of EPD of 32 ± 2 kPa, EXD of 19 ± 4 kPa (p>0.05) and EPD/EXD of 1.9 ± 0.3. It was suggested that cultured of heart cells experienced a significant reduction in stiffness in both directions, probably due to a combination of scaffold biodegradation in vitro and extracellular matrix deposition. These factors will need to be taken into account for future scaffold design. On a microscopic level, the neonatal rat heart cells were well-aligned in the PD direction. Electrophysiological assessment for scaffolds grafted with cardiac fibroblast and neonatal rat heart cells demonstrated synchronous contractions in as early as 4 days. The graft was capable of being paced by electrical field stimulation at up to 4 Hz. Excitation thresholds (ET) was found to be 12 ± 1% lower when measured with the scaffold PD oriented versus XD oriented to the applied electric field. This was consistent with reports in which ET for cultured adult guinea pig and canine cardiomyocytes exhibited a ~50% lower ET with their long cell axis parallel versus perpendicular. In order to create a full-thickness myocardium tissue, the group fabricated a 400 μm accordion-like honeycomb 3D scaffold and cultured neonatal rat heart cells. In vitro culturing of neonatal rat heart cells in this thicker scaffold demonstrated viability and the formation of multi-layered tissue structures. This suggests future possibility in culturing heart tissues of greater thickness by layering discrete lamina scaffolds, provided the cultured cells receive sufficient perfusion for growth. This study demonstrated the importance how the structure of an elastomeric polyester cardiac tissue scaffold could promote the preferential orientation of the cardiac cells, without external stimuli, so as to resemble the structure of myocardium more closely. Based on this accordion-like honeycomb microstructure that has demonstrated efficacy in culturing cardiac tissue cells, a couple more elastic polyesters were also patterned into this structure as a cardiac tissue engineering scaffold to achieve a similar anisotropic effect. 
Another work showed a method to stack layers of cardiac tissue engineering scaffolds together to form a full thickness tissue. The group, inspired by the mechanism behind the conventional Velcro system,  fabricated small T-shaped ‘hooks’ onto the top surface of each layer of accordion-like honeycomb structures, using another biodegradable polyester elastomer, poly(ocatamethylene maleate(anyhydride)citrate) (POMaC)154. POMaC had a Young’s modulus of 552kPa and was therefore selected due to its similarity to the modulus of a native cardiac tissue. They then seed cardiac cells onto each layer of the scaffold by pipetting.  Before the seeded cells could proliferate, and occupy the holes in the honeycomb structure, the scaffolds are lifted off from their seeding support (polystyrene tissue culture plates). As a result, each layer of scaffold contains cells growing only on the patterned POMaC, with honeycombed holes and a T-shape protruding out on their top surfaces (Figure 8 C-E). The layers of POMaC are then stacked together. The T-shaped hooks of the bottom layer would go through the holes of the top layer, ‘hooking’ the bottom layer onto the top layer. These steps and the final structure of the Tissue-Velcro system are illustrated in Figure 8 A. The pressure required to separate any 2 layers of the POMaC scaffold was 0.5 ± 0.1 kPa, which was equivalent to 82% of the hooks. In a physiological regime of 15% initial strain, this scaffold displayed anisotropic mechanical properties with a measured modulus of 7.9 ± 1.8 kPa along the one axis and 2.6 ± 1.2 kPa along the other axis, an anisotropy ratio of 3.1 ± 1.6. This is approximately 1 to 2 orders of magnitude lower than the scaffold fabricated with PGS, as well as that of both right and left ventricular myocardium of rats as mentioned above. However, the stacking of multiple layers of these POMaC honeycomb scaffold sheets could potentially increase the overall scaffold modulus to a range that is even closer to that of the cardiac tissue. 
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[bookmark: _Ref489036373]Figure 8 Fabrication of the Tissue-Velcro platform. A. The analogy between the Tissue-Velcro system and the conventional Velcro. The red arrows represent the built-in hooks. B. Fabrication processes of the Tissue-Velcro system including microinjection and stamping. C. Cell seeding process where cell suspension in Matrigel was pipetted onto the scaffold before lifting the scaffold off to prevent cell growth into the pores of the honeycomb structure. The porous seeded scaffolds are then stacked into layers. D. Scanning electron microscope (SEM) image of the accordion-like honeycomb structures and the T-shaped hooks fabricated. E. SEM images of the stacked and interlocked scaffolds, highlighting how the hooks from the bottom layer protrudes up from the top layer. Reproduced from ref. 154 with permission from the American Association for the Advancement of Science, copyright 2015
 
This POMaC scaffold was also proven to support the proliferation of neonatal rat cardiomyocytes. The seeded cells were seen compacting and elongating around the struts over a period of 7 days. The scaffold was also able to contract spontaneously after 4 to 6 days of in vitro culturing. The group also co-cultured a layer of endothelial cells on top of the heart cells on the scaffold and proved its success by CD31 staining. This layer of endothelial growth on the surface of the cardiac cells could potentially act as a barrier to protect the underlying cardiac cells from injuries due to fluid shear stress when the entire tissue scaffold was to be perfused through the void spaces within each honeycomb structure. Co-cultures could also be easily produced from stacking of layers of different cell types together. In this paper, the authors described their success in the creation of a three-layered tissue scaffold: culturing rat cardiomyocytes on two layers with one layer of cardiac fibroblast sandwiched in between, with a total thickness of 712 ± 7 µm. This assembled tissue scaffold was able to contract synchronously with its excitation threshold slightly increased after assembly. The group had also demonstrated feasibility in stacking of these Velcro-like scaffold sheets in other orientations. Another relatively new polyester, the poly(octamethylene maleate (anhydride) 1,2,4-butanetricarboxylate) (124 polymer), was also used as a highly elastic scaffold for cardiac tissue engineering151. Its prepolymer gel was prepared in a one-step polycondensation reaction, followed by ultraviolet (UV) curing to produce a cross-linked elastomer (Figure 9). The 124 polymer showed no significantly different cytotoxicity when cultured in cardiac fibroblast, as compared to polystyrene controls. Rat cardiomyocytes were seeded onto an accordion-like structured 124 polymer scaffold. After culturing for 7 days, the tissue was able to beat synchronously under electrical stimulation, with the elastic scaffold supporting the cardiac contraction. The 124 polymer also showed good biocompatibility as exemplified by its non-inferior in vivo implantation results compared to PLLA controls. When implanted in a disc form in subcutaneous tissues of rats over 7 days and 60 days, the 124 polymer disc demonstrated no significant difference from the PLLA disc in the aspects of collagen deposition, T-cell and macrophage recruitment on the surface of the implant. As the polymer is relatively non-viscous, it could be easily injected and molded into microstructures such as the accordion-like structure without the need of solvents. This solvent-free technique would allow for easier mass production and commercialization effort for larger scale production. 
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[bookmark: _Ref489036418]Figure 9 Synthesis of the poly (octamethylene maleate (anhydride) 1,2,4-butanetricarboxylate) (124 polymer) from 1,8-octanediol, 1,2,4 – butanetricarboxylic acid and maleic anhydride. Reproduced from ref. 151 with permission from American Chemical Society, copyright 2016


5.3 In vivo cardiac patches
[image: ]
[bookmark: _Ref489036436]Figure 10 Figure illustrating the heart/cardiac patch in vivo. Such a patch on the left ventricle will provide mechanical restraint to slow down the enlargement of the left ventricle over time. Reproduced from ref. 159 with permission from Wiley, copyright 2009
[bookmark: _GoBack]After an ischemic injury during a myocardial infarct (MI), the injured myocardium is replaced with fibrous tissue. Fibrous tissue lacks elasticity and therefore become stretched over time due to the ventricular pressure. This ultimately leads to cardiac failure159. A cardiac patch aims to provide a therapeutic solution to MI via two mechanisms:  1) to deliver healthy cardiomyocytes or stem cells to the area of infarct on the heart141, and 2) to provide left ventricular restraint (Figure 10)149.  The delivery of cardiomyocytes seeks to replace and repair damaged heart muscles while the ventricular restraint is a more conservative approach to slow down the progression of heart failure142. The current commercially available cardiac patches do not serve to promote cardiac cell regeneration. They merely act as physical constraints to reduce the symptoms of cardiac failure. A great amount of research efforts had been concentrating on developing an elastomeric cardiac patch or scaffold that could not only provide restraint, but also deliver viable cardiomyocytes to help regenerate lost heart muscle cells. 

Elastomeric biodegradable polyesters are suitable materials for cardiac patches as they are able to undergo cyclic mechanical strain along with a beating heart, provide additional mechanical restrain to the fibrosed region, as well as offer delivery of cardiac cells/tissue to help repair damaged regions of a heart. PGS is one of the top material candidates for this application as it not only has the mechanical compatibility in terms of stiffness and high tensile strain with that of the cardiac tissue149, but also the ability to withstand cycles of stretching over a period of 1 day in vitro and up to 3 months in vivo142. PGS is non-toxic, supportive of cell growth and autoclavable, making it an excellent material for cardiac patch. Chen et. al. synthesized PGS at 110˚C, 120˚C and 130˚C for 24 h before reducing the pressure to 50 mmHg for 5 hrs149. They then crosslinked the PGS prepolymer at the same temperature over the next 48 hours under vacuum. The result was a series of PGS elastomers that have stiffness of 0.056 ± 0.011 MPa, 0.22 ± 0.03 MPa and 1.20 ± 0.08 MPa and rupture strains of 4.48 ± 0.38, 2.56 ± 0.26 and 0.41 ± 0.15 respectively. Given that the Young's modulus of myocardium in human is 0.02 - 0.5 MPa, PGS could achieve excellent mechanical compatibility with cardiac muscles by adjusting its synthesis and curing temperatures and durations. By tuning the synthesis and curing conditions, the degradation rate of PGS could also be tailored to match the recovery rate of the damaged heart tissue. For instance, PGS synthesized at 120 ˚C reduced its stiffness linearly to almost 60% over 30 days while that at 110 ˚C reduced approximately 50% of its stiffness in just one day in PBS and DMEM at 37˚C. The group went on further to focus on the long-term viability and delivery efficacy of human embryonic stem cells to the heart142. Their work demonstrated the proof-of-concept for a PGS-based heart patch for the delivery of human embryonic stem cell derived cardiomyocytes. The group prepared PGS sheets of 1mm thick synthesized at 110 ˚C and 120 ˚C, autoclaved for sterilization and pre-conditioned them by soaking in tissue culture medium for 6 days. Human embryonic stem cell (hESC) derived cardiomyocytes cultured on these pre-conditioned PGS sheets achieved confluence in 8 days, with better proliferation on the PGS sheets prepared at 120 ˚C than that at 110˚C. This was due to the slower degradation and therefore a less rapid change in pH surrounding the cells. In a comparison of PGS sheets coated with gelatin, the uncoated PGS sheets promoted better cell detachment upon deployment, which is desirable for the application of a cardiac patch. A Flexcell(TE) was used to simulate the stretching of the cardiac patch on the surface of a beating heart. The group demonstrated detachment of cells after the pre-conditioned uncoated PGS sheets were stretched over 1 day while most of the cells remain adhered to the gelatin-coated PGS sheets. This rapid detachment may be beneficial in the release of stem cells to the site of damaged heart tissues. This detachment rate should be further investigated to achieve an optimal detachment rate for cardiac tissue repair. These sheets were able to support the growth of beating cardiomyocytes for over 3 months and were shown to have no effect on the systolic and diastolic parameters of adult rat hearts when implanted. Such PGS-based cardiac patch with hESC-derived cardiomyocytes could be taken to the next step by testing it in a cardiac failure model in vivo.
Apart from PGS, elastic biodegradable poly(lactide-co-ε-caprolactone) (PLCL) had also been evaluated for its potential for use as a cardiac patch. A group of researchers investigated the performance of an injured rat heart after being treated with 1) PLCL scaffold seeded with bone marrow-derived mesenchymal stem cells (BMMSC) (106 cells), 2) PLCL scaffolds only, 3) BMMSC (106 cells) injection only and 4) saline159. The treatment was administered 10 days post myocardiac infarct induction in rats and effect of the treatment was measured 4 weeks later. The left ventricular end-systolic and end-diastolic diameters were both significantly lower in the PLCL+BMMSC and the BMMSC groups compared to the saline and PLCL groups. The left ventricular ejection fraction was also significantly higher in the PLCL+BMMSC group (52.5±2.4%) and the MSC only group (48.7±2.3%) compared to that in the PLCL only group (42.4±2.1%) and the saline group (40.1±1.6%). The infarct areas of the PLCL+BMMSC group and the MSC group were decreased by 29% and 18%, respectively, compared with those in the saline group. Furthermore, the infarct area in the PLCL+BMMSC group was significantly reduced compared with that in the BMMSC only group (30.2±2.6 vs. 34.2±3.6%, P = 0.03). The MSC from the PLCL+BMMSC group expressed more cardiac markers (MHC, a-actin, troponin-I) and cardiac transcription factor (GATA-4). This was likely because the PLCL scaffold was able to assist in the induction of tissue formation via nutritional diffusion and cell migration. This PLCL scaffold had proven to be able to improve the cardiac function of an injured heart. 
In summary, various biodegradable polyesters had been evaluated for the construction of a cardiac tissue engineering scaffold. These scaffolds could be both used 1) in vitro, to construct sheets of functional cardiac tissue for implantation, or 2) in vivo, to deliver cells to the site of myocardium injury for repair and regeneration of the native cardiac tissue. These cardiac tissue engineering scaffolds had proven to be effective at either constructing a cardiac sheet or at improving the cardiac function by delivering stem cells. As the current commercial cardiac patches can only act as mechanical restraints to prevent worsening of cardiac hypertropy, these therapeutic cell-based polyester cardiac scaffolds/patches have the potential to greatly improve the quality of treatment for myocardial infarcts when taken into clinical trials. As proven in the latest papers, the next generation cardiac engineering could involve the integration of successful polyester patches with other components such as electronics to develop ‘smart’ cardiac patches in the near future. 
5.4 Cardiac valve tissue engineering
Other than the myocardium of a heart that requires reconstruction, the valves of a heart may also fail over time. Although there has been a lot of advancement in cardiac valve tissue engineering using decellularized porcine valves163, the exposed collagen fibers had proven to be highly thromobogenic164. The tensile strength of porcine aortic heart valve was measured to be 1.4 ± 0.2 MPa (radial) and 8.3 ± 0.9 MPa (circumferential), with a modulus of 6.4 ± 0.9 MPa (radial) and 44.7 ± 5.3 MPa (circumferential). Its elongation at break was measured as 134.8 ± 27.7 in the radial direction and 48.7 ± 7.3 in the circumferential direction165. These mechanical requirements make elastic polyesters very suitable candidates for the construction of artificial heart valves. 
To date, many elastic polyesters had been used to either coat these decellularized grafts164 or fabricate synthetic cardiac valves98,164,166,167. Polyhydroxyalkanoates (PHAs) are frequently used in valve tissue engineering. Historically, PGA and P3HO-co-3HH were the first two choices of artificial valve materials. However PGA has insufficient mechanical properties and degrades too quickly, and P3HO-co-3HH too slowly1. P4HB had been subsequently introduced as an alternative material for valve tissue engineering. 
P4HBs had been used in various forms. In one example, P4HB (Mw = 1000 kDa) was coated on PGA by dip coating and subsequently seeded with ovine myofibroblasts and endothelial cells164. The graft was implanted into lambs for 1 day, 4, 6, 8, 16 and 20 weeks after culturing in a bioreactor for 14 days. Echocardiography showed mobile functioning valves without the presence of stenosis, thrombus, or aneurysm up to 20 weeks. The scaffold completely degraded by the 8th week and by the 16th and 20th week, histology showed endothelium growth and scanning electron microscopy revealed a smooth valvular surface. 
In a similar study fabricated from porous polyhydroxyoctanoate (PHO) (Tepha Inc) of pore size 180 to 240 µm demonstrated a similar successful outcome98,1. Ovine carotid arterial cells were seeded onto the heart valve scaffolds before they were implanted into pulmonary arteries of lambs over up to 17 weeks. The scaffolds were covered with tissue with the presence of extracellular matrix and a high content of collagen by the 17th week. There was no thrombus formation and minimal valve regurgitation. SEM imaging showed smooth flow surfaces. P4HB had also been impregnated in decellularized porcine valves168. This biomatrix/polymer composite was non-cytotoxic and supported the proliferation of human blood vessel cells. It also activated a lower level of cellular and plasmatic coagulation cascades. Complete endothelialization, mild leukocyte infiltration and reduced calcification were observed in vivo, when implanted in rabbit aorta over 12 weeks. PGS is another promising material for valve tissue engineering as it has an average tensile Young’s modulus of 0.025 MPa to 1.2 MPa which is in the range for that of a native valve. One research group fabricated tri-layered valve tissue engineering scaffold with microfabricated PGS and fibrous PGS/PCL electrospun sheets169. The tri-layered structure was chosen to mimic the tissue layers in a native leaflet of cardiac valves: the zona fibrosa, the zona spongiosa and the zona ventricularis. The PGS layer was made into a sheet with diamond patterns (having long x short axis dimensions of approximately 260 x 150 µm170) via the micromolding technique and the PGS/PCL mixture was electrospun via the directional electrospinning technique (Figure 11). 
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[bookmark: _Ref489036560]Figure 11 A. PGS layer was fabricated by micromolding PGS solution in a ceramic mold, cured at 160˚C for 8 hours before being delaminated. B. The PGS sheet was placed between two grounded electrodes and the PGS/PCL fibers were electrospun on both sides of the PGS sheet. C. The final tri-layered structure of the valve scaffold resembles that of the native valve leaflet with 3 layers: zona fibrosa, zona spongiosa and zona ventricularis. These layers are primarily made of collagen, proteoglycans, glycosaminoglycans (GAGs) and elastin. Reproduced from ref. 170 with permission from Elsevier, copyright 2013
In vitro degradation showed that the tri-layered PGS/PCL scaffold had a 46% reduction in its modulus after being incubated over 4 weeks in DMEM at 37˚C. However, with the seeding of sheep mesenchymal stem cells (MSCs), in vitro degradation only resulted in a 6% decrease in modulus after 4 weeks. This was postulated to be due to the progressive production of the extracellular matrix (ECM) by the seeded cells. After culturing of MSC for 4 weeks, the amount of DNA, collagen and glycosaminoglycan (GAG) were also extracted and quantified. There was no significant different between the cultured cells and the native arterial valve (AV) and PV, indicating a healthy proliferation of the MSCs on the tri-layered scaffold. Valvular interstitial cells (VICs) were also cultured on the tri-layer scaffold over 4 weeks. It demonstrated a similar amount of DNA, collagen, ECM and GAG compared to that seeded with MSCs. One of the greatest challenges in tissue engineering is the formation of thrombus over time. When comparing the tri-layered scaffold to gelatin-coated plates, very few platelet clusters were seen. This indicates that the tri-layered scaffold was not thrombogenic. An ex vivo test setup was used to test the function of these PGS/PCL tri-layered valves in the PV position of a fresh porcine heart. The system was controlled to oscillate between a pressure of 30 mmHg for pulmonary systole and 10 mmHg for pulmonary diastole. The tri-layered scaffold demonstrated adequate diastolic leaflet coaptation. Although natural biological materials (such as collagen, fibrin, gelatin and alginate) had been extensively investigated for myocardial tissue engineering, they have variable physical properties and poor mechanical properties141. There are also concerns of immunogenicity with respect to naturally derived collagen141. Synthetic materials, on the other hand, have advantages over natural polymers due to the reproducibility and high biocompatibility and biodegradability141. 


6. Polyesters in Vascular Tissue Engineering
6.1 Properties of blood vessels
The mechanical properties required for vascular tissue scaffold depends on what type of blood vessel is being engineered. Although all blood vessels are lined with endothelial cells on their luminal surfaces, its elasticity and dimension may vary greatly. The elasticity of the blood vessel walls is primarily contributed by two molecular components: the elastin fibers and the collagen fibers with moduli of 0.3 – 1 MPa1 and approximately 1 GPa respectively171. 
6.1.1 Arteries
The initial stiffness (Young’s modulus) of human arteria mesenterica inferior in the radial direction as measured to be 5.7 MPa, with a maximum tensile strength of 1.89 MPa and elongation at break of 345%70. Another set of measurements for the mechanical properties of the human coronary arteries found that the ultimate tensile stress of the adventitia layer was 1.430 ± 0.604 MPa (circumferential) and 1.300 ± 0.692 MPa (longitudinal), media layer was 0.446 ± 0.194 MPa (circumferential) and 0.419 ± 0.188 MPa (longitudinal) and intima layer was 0.394 ± 0.223 MPa (circumferential) and 0.391 ± 0.144 MPa (longitudinal)172. A few more studies characterized the circumferential tensile strength of human coronary arteries to be  between 0.39 MPa and 1.80 MPa173–175, depending on age group and method of measurement. Younger individuals have blood vessels that are more elastic and therefore lower moduli. Human carotid artery modulus in healthy volunteers was measured to be in a range of 0.15±0.04 to 0.89±0.27 MPa176. Another group measured stiffness of a typical artery to be in the range of 0.2 - 0.6 MPa in the lower modulus region and 2 - 6 MPa in the upper region which was believed to be dominated by collagen fiber mechanics. The lower modulus region was linear up to about 50% strain in most vessels at which point the mechanics changed to that of the upper modulus region177. The maximum circumferential strain of human arteries is about 20% whereas that of pigs is about 60% to 70%178. Evans et.al. also found the human arterial strain to be around 100%179. 
6.1.2 Veins
Veins tend to be less elastic with generally higher moduli. The saphenous vein was measured to have a strength of 5.38 ± 0.6 MPa (longitudinal) and 2.61 ± 0.67 MPa (circumferential), and stretch ratio of 1.32 ± 0.04 (longitudinal) and 1.55 ± 0.06 (circumferential). The human umbilical vein was 1.65 ± 0.11 MPa (longitudinal) and 0.97 ± 0.19 MPa (circumferential) in strength and had a stretch ratio of 1.33 ± 0.04 (longitudinal) and 1.90 ± 0.16 (circumferential)180. 
6.1.3 Dimensions
The dimensions of the blood vessels of interest are also important as the vascular tissue engineering material must be able to be fabricated into such dimensions to facilitate its function. The diameter of the distributing arteries range between 0.5 and 3.5 mm, and the arteriolar network of between 100 and 1000 µm181. One report measured the outer diameters of coronary arteries of young volunteers (23 and 35 years old) to be ranged between 3.42 mm and 3.84 mm while that of elder volunteers (60 to 83 years old) to be between 3.93 mm and 5.98 mm173. Another study reported the outer diameter of left anterior descending artery of the heart to be 4.5 ± 0.3 mm and thickness of the vessel wall to be 0.87 ± 0.23 mm, respectively172. A separate study found consistent dimensions of the human coronary arteries at an average outer diameter of 3.54 ± 0.51 mm and average wall thickness of 0.89 ± 0.21 mm178. 

Although the mechanical properties required for vascular tissue engineering is very similar to that of cardiac tissue engineering, vascular tissue scaffolds face a different set of requirements. The main concerns of vascular grafts are excessive platelet activation, thrombosis, smooth muscle cell intimal hyperplasia and stenosis of the graft182,183. 

6.2 Citric acid-based polyesters for vascular engineering
One strategy to reduce stenosis is by engineering anti-oxidant properties into vascular graft materials. It was known that excessive ROS and oxidative stress play important roles in the formation of atherosclerosis and restenosis. Poly (1,8-octandiol-co-citric acid) (POC) as well as other polydiol citrates had been proven to exhibit antioxidant activities. Citric acid is a tricarboxylic acid that is inexpensive and non-toxic as it is a natural metabolic product in the Krebs cycle in the human body. It can be used to form elastic polyesters with different types of alcohols via controlled polymerization techniques.  

One of the most commonly used elastic polyester is poly(1,8-octandiol-co-citric acid) (POC)60. 
Films of POC were cultured with human aortic smooth muscle cells (HASMC) and human aortic endothelial cells (HAEC)60. The cell viability of POC was on par, if not better, than that of poly (L-lactic acid) (PLLA). POC films also allowed for the attachment, proliferation and normal phenotype development for these two cell lines. The ability for vascular cells to adhere without a need for pre-treatment or coating of adhesion factors reduce the non-specific binding of other tissues/cells and reduce the cost of manufacturing. Using the salt leaching method, POC could be fabricated into porous scaffolds with pore sizes of 106 ± 26 m and porosity of 90 ± 2%. The presence of micropores within the macropores also improves mass the transportation of nutrient into the scaffold. Such porous POC could also be fabricated into tubes as shown in Figure 12.
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[bookmark: _Ref489036574]Figure 12 Images of POC scaffolds made in to tubes (non-porous POC on the left and porous POC on the right) and porous film (middle). Reproduced from ref. 60 with permission from Wiley, copyright 2004
Subcutaneous implantations proved that POC films elicited no chronic inflammatory response and an acceptable thickness of fibrous capsule formation of approximately 45 µm, which is comparable with that of polyglycerol sebacate (PGS). Such a thin fibrous capsule would not be of hindrance to the mass transport between the cell-based implant and its surrounding. Finally, thin-walled POC tubes of an inner diameter of 3.66 mm and a thickness of 0.15 mm have dimensions suitable for use as a small-diameter vascular graft. Its wall elasticity was compared to the human saphenous vein via a burst pressure test, where both tubes were inflated and the pressure at failure was recorded as the burst pressure. POC tube had a burst pressure of 1300 mmHg which was comparable with that of the saphenous vein at 1680 mmHg. Such mechanical properties made POC a very promising candidate for use as blood vessel scaffolds. 

Citric acid could also be co-polymerized with other polymers to generate new materials for 3D scaffolding. By performing simple polycondensation between citric acid and polycaprolactone triol, Lynda et.al. was able to create a range of citric acid-co-polycaprolactone triol. The mixing of ratios of citric acid: polycaprolactone triol in the ratios of 1:1, 3:2 and 2:1 produced polyester samples that had Young’s moduli of 0.56 MPa, 1.08 MPa and 2.44 MPa with % elongation at break of 177%, 146% and 61% respectively184. This highly elastic material has high biocompatibility and biodegradability and its porosity could also be easily tunes by varying the size of the porogens added during fabrication. In one demonstration of fabrication capability, the group fabricated porous models with pore sizes ranging from 34 μm to 105 m with a % porosity interconnected at 46.8%. This polyester could also be fabricated into thin films, tubes or porous scaffolds for tissue culture of rat aortic smooth muscle cells and human umbilical vein endothelial cells (HUVEC) (Figure 13). Conjugation with amino acids such as L-arginine had also been proven to be successful. Free amine –NH2 groups present also indicated potential conjugation of RGD or YIGSR peptides for better cell response. The group had successfully cultured primary endothelial and smooth muscle cells, expressing their specific markers. This confirmed the potential of (citric acid-co-polycaprolactone triol) as a biocompatible and elastic scaffold for culturing of vascular tissues. 
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[bookmark: _Ref489036593]Figure 13 (Citric acid-co-polycaprolactone triol) fabricated into the form of a film, porous discs and a tube. Reproduced from ref. 184 with permission from Taylor and Francis, copyright 2011

Lith et al. described the synthesis of poly(1,8-octanediol-co-citrate-co-ascorbate) (POCA), that has native, intrinsic antioxidant properties185. The synthesis of the polyester was relatively simple: mix 1,8- octanediol, citric acid and ascorbic acid at a ratio of 5:5:1 and heated at 160°C for 10 minutes, followed by 140°C for an additional 60 minutes. A few steps for purification and sterilization was performed before soaking in DMEM media at 37°C to leach out the acidic products. The group used POC as a reference for comparison. Both POC and POCA showed rapid free radical scavenging with 100% radical scavenged in 24 hours with POCA significantly faster than POC. Over time, due to the slow release of ascorbic acid, the free radical scavenging power increased. POC was effective at free radical scavenging, probably due to the presence of citric acid in its backbone. Both POC and POCA also showed strong iron chelation properties due to the presence of citric acid, with POCA showing greater chelation strength. This was thought to be due to the accessibility of carboxylic and hydroxyl group on citric acid in the presence of ascorbic acid. Using lipid peroxidation as a proxy for measuring the effect of reducing oxidative stress, it was shown that POCA strongly inhibited lipid peroxidation as assessed by the β-carotene bleaching assay. This exhibited the potential of POCA in reducing oxidative stress. These two biodegradable polyesters were shown to be able to retain their free radical scavenging and iron chelating capacity even after 1 month of incubation in PBS at 37°C. Their lipid peroxidation capacity, however, decreased by 14.7 ± 1.1% for POC and 21.9 ± 5.8% for POCA. Both POC and POCA were proven to be non-cytotoxic to both human umbilical vein endothelial cells (HUVECs) and human aortic smooth muscle cells (HASMCs). It was of note that the proliferation of HASMCs gradually reduced by 15.6 ± 0.9% and 40.5 ± 3.5% by 5 days of in vitro culturing for POC and POCA respectively. This was a highly desirable effect in preventing intimal hyperplasia, which is the excessive growth of the intima layer of the blood vessel walls. When performing the oxidative stress test using the HUVECs, POC and POCA groups showed a slight decrease in basal oxidative stress (in the absence of hydrogen peroxide). When challenged by hydrogen peroxide, the oxidative stress in the POC and POCA groups did not increase and were significantly lower than the ePTFE control group after 5 min. Menadion was added to polymer cultured HUVECs to induce the formation of intracellular ROS. POC and POCA groups preserved their cell morphology while the TCP control group experienced significant cell detachment and reduction in cell viability after 1 hour. Finally, POCA was coated on the inner luminal surface of an ePTFE vascular graft and implanted in a guinea pig aortic graft interposition model to investigate the extent of neointima hyperplasia. The POCA-coated ePTFE graft showed platelet adhesion inhibition as well as a visibly reduced neointimal hyperplasia compared to the uncoated ePTFE. 

The same group went on to develop another POC-based vascular graft material to prevent intimal hyperplasia formation by incorporating all-trans retinoic acid (atRA) (Vitamin A) by polycondensation instead of ascorbic acid (Vitamin C) this time186. atRA was chosen for its ability to inhibit vascular smooth muscle cell (VSMC) proliferation, promote VSMC apoptosis, endothelial cell proliferation and nitric oxide production. atRA systemic or localized delivery had also shown promising results in inhibiting intimal hyperplasia in animals. However, the doses required to inhibit intimal hyperplasia are approximately 30 times higher than what is currently utilized to treat cancers in patients. Therefore, some form of local exposure of vascular cells to atRA is needed. Poly(1,8-octamethylene-citrate-co-retinate) (POCR) was synthesized by first synthesizing POC pre-polymer as previously described before adding atRA to solutions of POC in ethanol186. The POCR was then post-polymerized at either 37 ˚C or 60 °C for 5 or 20 days. Two variations of POCR were created: POCR-4 which was loaded with 0.115 mg/mL of atRA and POCR-16 which was loaded with 0.460 mg/mL of atRA. Both exhibited oxygen scavenging capability with POCR-16 scavenging faster than POCR-4. The incorporation of atRA also did not affect the ability of citric acid in the polymer backbone to chelate metal ions. Lipid peroxidation of POCR also showed a dose response with POCR-16 preventing lipid peroxidation significantly more than that of POC or POCR-4 in β-carotene bleaching assay. Both oxygen scavenging ability and lipid peroxidation inhibition was retained after coating POCR onto ePTFE graft surface. A scratch test to evaluate the ability of POCR at inhibiting HASMC and HUVEC migration was performed. The results showed that POCR was able to significantly inhibit HASMC migration but had no differential effect on HUVECs. POCR also demonstrated its ability to inhibit HASMC and HUVEC proliferation after in vitro culturing for 5 days. With the enhanced inhibition of HASMC migration and antioxidant properties, and its ability to be easily coated on an ePTFE surface via infusion coating method, POCR had been proven to be another promising material in vascular tissue graft aimed at reducing intimal hyperplasia of grafted vessels over time. These two papers illustrated an interesting approach to the development of polymers for biomedical applications. Instead of having polymers to encapsulate or blending active ingredients for delivery, these two polymers polymerized the active ingredients as monomers into the polymer and relied on the hydrolysis of ester bonds to release Vitamin A and C over time. This approach had proven to be effective as demonstrated in these two polyesters for vascular tissue engineering in retaining prolonged antioxidant and oxygen scavenging effects. Fabrication techniques, such as the micro-continuous liquid interface production (microCLIP) technique was further explored to enable rapid prototyping and even scaling up of these POC-based polyesters to achieve personalized vascular scaffolds187. 

6.2 Other polyesters for vascular tissue engineering 
[bookmark: here]The most commonly used material for vascular tissue engineering involves copolymers of PCL, PLA and PGA which have already been approved by FDA for use in the human body. Poly-(glycolide-co-caprolactone) (PGCL) had shown promise in polyesters for soft tissue engineering. The copolymer of PGCL had proven to be able to withstand an extension of 250% without cracking and recover by more than 96% after being subjected to 230% extension22. This PGCL scaffold demonstrated permanent deformations of less than 5% of the applied strain when an elongation of 10% at a frequency of 1 Hz was applied for 2 days in a buffer solution. Smooth muscle cells isolated from rat aorta were seeded onto the PGCL scaffold and demonstrated its ability to adhere and proliferate. This seeded scaffold was subsequently implanted into nude mice and showed that it allowed appropriate tissue growth in vivo22. 

Some reports explored the use of some non-FDA approved materials for use as vascular tissue engineering scaffolds. One such example is poly(trimethylene carbonate) (PTMC)70. PTMC of a molecular weight (Mn) of 437 kDa was crosslinked by gamma radiation under nitrogen. Using the particulate leaching method, interconnecting pores of 55 µm to 116 µm were created with a porosity between 59% to 83%. This material was fabricated into tubes with an inner diameter of 3.0 mm and a wall thickness of 0.7 to 0.8 mm. This is similar to the size of the human coronary arteries at an average outer diameter of 3.54 ± 0.51 mm and average wall thickness of 0.89 ± 0.21 mm178. This is also consistent with the human mesenteric artery with an inner diameter ranging from 2.4 to 3.1 mm and wall thicknesses ranging from 0.4 to 0.6 mm70. These dimensional compatibilities allowed for easy anastomosis of the vascular graft with the native blood vessels. The suture retention strength was in a range of 1.64 to 1.94 Nmm-1, compared to that of native ovine and porcine arteries which were 8.9 and 10.8 Nmm-1 respectively. Although PTMC had a lower suture retention strength, the value may increase significantly after the growth of vascular cells. The tubular PTMC was measured to have a radial (or circumferential) tensile strength of approximately 1.6–1.9 MPa and elongation at break of 200–350%. These mechanical properties were very similar with that of human arteries and could be further tuned by varying the porosity and pore sizes. PTMC was able to sustain no deformation after being subjected to 20 cycles of deformation at 30% elongation. PTMC film supported the proliferation of HUVEC, SMC and MSC, reaching confluence in 1 day, 3 days and 3 days respectively. The tubular porous PTMC with 55 µm was optimal at supporting the adhesion and proliferation of SMC. The SMCs were seen to penetrate the wall of the porous PTMC tube through the interconnected pore network and were well attached to the pore surface. The in vitro culturing of SMCs in the tubular PTMC over 7 days also increased the scaffold’s maximum radial tensile strength from 0.23 MPa to 0.78 MPa with an improved elongation at break of 1360 %. After proving the vascular cell compatibility of PTMC, the same group devised a method to fabricate a 3-dimensional (3D) microvascular network using stereolithography of PTMC188. They created 5 generations of open channels to mimic the high density of small blood vessels in the capillary bed (Figure 14). Seeding and in vitro culturing of HUVECs was performed on 2D PTMC network disks made via stereolithography. The HUVECs showed adhesion and proliferation on the material over 14 days. Using this 3D, the group could potentially use PTMC to fabricate vascular systems for the engineering of any tissue by culturing the cells of interest (e.g. liver cells) on the outside of these PTMC channels and seeding vascular cells such as HUVECs on the luminal surface (Figure 15). The only drawback of this design was the lack of oxygen permeability of PTMC channel walls. This could be overcome by making the walls more porous for oxygen permeation to the cells of interest on the outside of these channels. This combination of fabrication technique and the choice of material may unlock a huge potential in the engineering of any soft tissues using polyester elastomers. 
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[bookmark: _Ref489036748]Figure 14 Images illustrating the 3D printed PTMC microvascular network built by stereolithography. A. Photograph and B. reconstructed µCT image of the 3D printed PTMC microvascular network. C. and D. SEM images of the cross sections of the microvascular structure, showing that even the smallest vessel lumens were open. Reproduced from ref. 188 with permission from Wiley, copyright 2014
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[bookmark: _Ref489036774]Figure 15 A schematic illustrating how the PTMC microvascular network can be used to culture any tissue by growing tissue specific cells of interest outside each vessel lumen and endothelial cells and other vascular cells inside the lumen. A. Cross section of the microvascular channels. B. Zoomed in image of each microvascular channel. Reproduced from ref. 188 with permission from Wiley, copyright 2014


7. Beyond the Laboratory
While there are a few elastomeric materials in the stages of clinical trials and beyond, some significant candidates are polyesters. For the interest of readers who may be curious about the extent of bench-to-bedside development of polyesters in tissue engineering applications, this section seeks to cite a few examples of successful polyester-based tissue engineering scaffolds in ophthalmology and vascular surgery. Due to the lack of information on the commercialization of elastomeric polyesters, for this section alone, non-elastomeric polyesters will be included. 
7.1 Surodex and Ozurdex in Ophthalmology 
SurodexTM and Ozurdex® are both biodegradable, dexamethasone (DEX)-eluting, suture-less implants manufactured by Allergan Inc. While both are PLGA matrices, Surodex contains hydroxypropyl methylcellulose. Surodex is a rod-shaped biodegradable implant that is 1.0 x 0.5 mm in size and has a drug release rate of 60 µg over 7 to 10 days189. Ozurdex has a ten times higher drug loading of 700µg, and therefore displays a much longer delivery window (6 months)190. In addition, Ozurdex releases DEX in a biphasic manner whereby high dosage occurs in the first two months and lower dosage occurs for the next four months. Ozurdex is also a rod-shaped implant that has been preloaded into a 22-gauge needle injector system for implantation via a single injection procedure (non-surgical)189. Surodex has completed phase 3 clinical trials in the US and is indicated for use in the control of post-cataract surgery inflammation. It is approved in Mexico, China and Singapore. Ozurdex is already FDA-approved to treat macular edema191 and uveitis. 

Both these devices have been well researched for numerous eye conditions including uveitis192,193, macular edema (ME)194–200 and open angle glaucoma201. Treatment outcome is typically assessed using the best corrected visual acuity (BCVA) as well as anatomical features such as retina thickness. Good recovery is typically taken as an improvement of 15 letters (BCVA) or more from the baseline data before treatment. Besides efficacy, device safety is paramount and this is evaluated by noting any adverse events and assessing intraocular pressure. Compared to DEX eyedrops, sustained release devices are more efficacious and requires less patient compliance. In one study involving 104 cataract surgery patients, Surodex pellets were implanted into either the ciliary sulcus or the anterior chamber (Figure 16). 33 of these patients served as controls by receiving DEX eyedrops 4 times daily for 4 weeks. Surodex was markedly more effective than DEX eyedrops whereby the control group required steroid augmentation202. 

Intraocular implants may be combined with other treatments to improve patient’s recovery rate and other clinical outcomes. Implants, while effective and safe, should not be considered as the sole treatment option. When laser photocoagulation was augmented with Ozurdex, BCVA outcomes were better than the laser-only group after one month and up to nine months196. There was no significant difference between the two groups after one year when the study ended. When Surodex was implanted during phacotrabeculectomy surgery, the intraocular pressure outcome was better than surgery augmented with intraoperative 5-fluorouracil. Post-surgery complications were significantly fewer for Surodex as compared to the 5- fluorouracil201.
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[bookmark: _Ref489036972]Figure 16: Red arrow showing the Surodex pellet placed half-buried underneath the scleral flap201. Reproduced from ref. 201 with permission from Elsevier, copyright 2005

Initial success with Ozurdex for treating macular edema (ME) was seen in a study involving 22 patients. Approximately 35% of patients improved their visual acuity by 15 letters or more after three months194. The research group progressed to a multicenter study involving 1267 patients with ME due to branch or central retinal vein occlusion191. High dose and low dose Ozurdex outperformed sham implants in BCVA test at days 30 to 90. This study led to FDA approval of Ozurdex for macular edema. In a later Barcelona study on 58 patients with refractory diabetic ME, a single injection of Ozurdex significantly reduced foveal thickness and the BCVA showed improvements at 1, 3 and 6-month intervals197. More recently, an extensive analysis of 573 patients across 70 sites in Germany revealed favorable outcomes of using Ozurdex against ME. In three months, more than 30% of patients gained at least 3 lines in BCVA from baseline. At six months, there were further improvements in BCVA and decrease in central retinal thickness199. 

Constant monitoring and prescribing reinjection when necessary lead to better outcomes than single injection. Reinjection frequency must be considered while choosing intraocular steroid treatments. Unnecessary reinjection can lead to patient trauma and post-operative complications. In a recent multicenter study, the single injection patient group showed declining BCVA after 3 months and retinal thickness was reverting to pretreatment state. The retreatment group with monthly follow-up showed significantly better retinal thickness than the fixed group after 4-5 months. After 6 months, the retreatment group also demonstrated better BCVA198. Notably, the average re-injection was only 1.6. In another study, reinjection of Ozurdex was warranted in 40% to 50% of patients after approximately 17 weeks. The authors suggest a retreatment at week 16 to stabilize improvements in retina thickness and BCVA203. This recommendation agreed with the previous study which showed declining visual acuity in the single-injection group after three months198. A retrospective, multicenter investigation of 82 eyes revealed that 52.4% of cases involved single injection, 30.4% required 2 injections and 17% required 3 or more injections192. In a study of 94 eyes, ME patients underwent an average number of 2.6 intravitreal injections (IVT) with a maximum at 6. Excellent visual improvement was observed in 58.6% of patients and more than half showed ME resolution. ME was considered resolved when at least 6 months had elapsed from the last IVT. Summarizing the conclusions of all these separate studies, we can expect a low number of IVTs (≤ 3) is necessary for functional improvement204. Clinical trials comparing Ozurdex with other treatments have shown more favorable outcomes for Ozurdex. Comparing Ozurdex with a non-biodegradable silicone/PVA implant (Retisert) for the treatment of uveitis, the Ozurdex group saw more than three times lower risk of uveitis recurrence. While there was no significant difference in terms of inflammatory score and BCVA, the Ozurdex group did not require additional glaucoma medications, surgery or laser. In contrast, almost half of the Retisert group required additional treatment and there were higher rates of cataract progression193. In a two-year, multicenter clinical trial comparing Ozurdex implant versus intravitreal injections of bevacizumab (Avastin), there was no significant difference for patients with diabetic macular edema. Both groups experienced vision-related quality of life improvement in terms of reading, mobility and emotional well-being. However, in both pro re nata, the bevacizumab group was monitored monthly but the Ozurdex group was monitored every four months200. Hence, Ozurdex is more robust in achieving the same outcomes with fewer monitoring and intervention. While the clinical research data had been highly positive overall, risk factors and complications still exist for DEX implants. Although implant migration is a rare event, it can lead to corneal endothelial decompensation and edema, as well as permanent visual compromise. Urgent removal is necessary when the implant migrates into the anterior chamber with corneal edema205. A retrospective review of fifteen patients with Ozurdex implant migration revealed an average interval of 13 days after injection had passed before detection206. The time period is critical because early removal of implant decreases the probability of permanent corneal edema. The edema did not resolve in 10 patients and 6 patients required corneal transplantation. Notably, a multicenter study showed that 139 Ozurdex injections over a 32-month period saw only two cases of dislocation. Hence, implant dislocation is generally rare192. Adverse events are infrequent and the most common adverse drug reaction associated with DEX implants is increased intraocular pressure195,199. Overall, these DEX implants have good safety profiles if patients are monitored monthly and specific high-risk patients are given extra attention198.


7.2 Vascular tissue engineering
To date, although there had been a few clinical trials on the repair and regeneration of cardiac tissues207–212, none of these involved the use of elastic polyesters. However, there is an on-going prospective, nonrandomized, Phase I clinical trial on the tissue engineering of blood vessels using poly(ε-caprolactone/l-lactide) (PCL/LA), wrapped in polyglycolic acid (PGA) (ClinicalTrials.gov Identifier: NCT01034007). The first use of tissue-engineered vascular conduit was piloted by a joint group from the Yale University School of Medicine and the Tokyo Women’s Medical University. They developed a polyglycolic acid (PGA) and poly(ε-caprolactone/l-lactide) (PCL/LA) tissue engineered vascular graft which was capable of growing an autologous vascular tissue in the human body213,214. This removed the need for a life-long antiplatelet, anticoagulant or immunosuppressive therapy, which is usually the case for an artificial synthetic non-biodegradable graft implant made with materials such as Dacron or polytetrafluoroethylene (PTFE). Due to the lack of growth potential of these current vascular prosthetic materials, surgical re-intervention (such as angioplasty or replacement surgery) is often necessary, especially for pediatric patients as their bodies will grow over time. Besides, the risk of thrombosis and infection can also be high with non-biodegradable synthetic materials. The autologous vessel developed with PCL/LA would also be capable of growing with the patient, making it a more ideal option particularly for pediatric patients. 
7.2.1 Background
The use of patient’s own cells, instead of accepting an allograft, reduces the dependence on the availability of donors and reduces the risk of tissue rejection. There had been previous reports on the expansion of autograft cells onto a similar scaffold before implantation in sheep, dogs and humans215,216,217. Minced and purified blood vessel cells from patients were cultured in vitro over 8 weeks before being seeded onto the PCL/LA scaffold for 10 days prior to implantation. While the outcome was positive, the patient had to be subjected to a separate tissue harvesting surgery prior to implantation which required hospitalization. The cell expansion step was also very time-consuming and there may still be insufficient cells for implantation at the end of the long culture for some patients. Its long period of cell culture in xenoserum may also increases the risk of infection. In contrast, the use of patient’s own bone marrow cells would be a simpler procedure that could be performed on the same day. The bone marrow cell harvesting procedure is non-surgical and it will only take 2 to 4 hours of culturing, in patient’s own serum, before it will be ready for implantation. 
7.2.2 Material
This vascular graft scaffold investigated in clinical trial is made of copolymer of poly-L-lactide and ε-caprolactone (50:50) via ring-opening polymerization and can be degraded in vivo via hydrolysis in a few months213. Polyglycolic acid (PGA, n = 20) or poly-L-lactic acid (PLLA, n = 22) woven fabric of a thickness of 0.5 mm was used as reinforcement outside the graft. The copolymer solution was poured onto PGA or PLLA woven fabric sheets and freeze-dried under vacuum. The tubular scaffold was more than 80% porous and the size of the pores range from 20 µm to 100 µm (Figure 17). The PGA fibers degraded in approximately 2 months and the PLLA fibers 2 years in warm saline. The tensile strengths of the PGA fiber were 81.3% at 1 week, 48.8% at 2 weeks, 7.6% at 3 weeks, and 4.6% at 4 weeks; those of the PLLA fiber were 98.2% at 13 weeks, 88.1% at 26 weeks, 61.3% at 52 weeks, and 23.1% at 78 weeks. In vivo degradation study of the copolymer of PCL/PLA performed in dogs demonstrated a loss of strength in approximately 16 weeks and full degradation by about 24 weeks218. 
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[bookmark: _Ref489036834]Figure 17 Left: Macroscopic image of the vascular graft (diameter of 18 mm) made with PCL/LA reinforced with PGA mesh. Right: SEM image showing the porous microstructure in the scaffold. Reproduced from ref. 213 with permission from Elsevier, copyright 2005

7.2.3 Performance
The earlier animal experiments conducted with the same material justified the presence of endothelial cell formation on the scaffold 2 weeks after bone marrow cell seeding, due to the positive expressions of endothelial cell markers such as CD146, factor VIII and CD31. There was also presence of smooth muscle cell markers, vascular endothelial growth factor and angiopoietin-1, a protein involved in vascular development and angiogenesis. These evidences suggested the formation of the various components of a blood vessel growing on the vascular graft. Long-term results in dogs demonstrated a vessel-like macroscopic appearance two year post-implantation (Figure 18 A) without any vessel occlusion or obstruction as shown in cineangiography (Figure 18 B). Histology of the explanted segment also displayed a flattened endothelial cell lining on the luminal surface of the vessel, as well as the formation of smooth muscle cells, collagen fibers and elastin fibers in the walls of the tissue engineered vascular graft. 
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[bookmark: _Ref489036850]Figure 18 A. Macroscopic image of the tissue engineered vascular autograft (TEVA) at 2 years post-implantation. The TEVA presented a normal vessel-like appearance. B. Cineangiography of the TEVA at its site of implantation at 2 years post-implantation. The black arrows pointed to the implanted TEVA. No signs of obstruction or occlusion was seen.  Reproduced from ref. 213 with permission from the Elsevier, copyright 2005
With these promising results from large animal experiments, the group proceeded with a clinical trial with pediatric patients with single ventricle anomalies. 25 patients with a median age of 5.5 years were selected (ClinicalTrials.gov Identifier: NCT01034007). Extracardiac total cavopulmonary connections were established with these tissues engineered vascular grafts to link the superior vena cava to the right pulmonary artery. The PGA or PLLA and PCL/LA vascular scaffold was fabricated into tubes of 12 – 24 mm in diameter, 0.6 to 0.7 mm in thickness and 13cm in length, which could be trimmed by surgeons during operation to suit the anatomy of each patient. Mononuclear cell component of the bone marrow of each patient (2.26 ± 1.02 x 108 cells, mean of 320,000 ± 29,900 cells/cm2) was extracted, filtered and seeded onto the scaffold by pipetting. The seeded scaffold was incubated patient’s own serum for 2 to 4 hours in vitro (37°C, 100% humidity and 5% carbon dioxide chamber) prior to implantation. This scaffold would degrade in vivo as the new vascular tissues were formed. Follow-ups were performed at various post-implantation time points. Within 30 days of patient discharge after the tissue engineered vascular graft (TEVG) implantation, there was no evidence of stenosis, thrombosis or aneurysmal dilation of these TEVGs in any of the patients. The first follow-up was 100% complete with a mean follow-up period of 16.3 months, median of 16.7 months. At this follow-up, patients underwent transthoracic echocardiography, multi-slice computed tomography, cineangiography, or magnetic resonance imaging angiogram to investigate the condition of the grafted vessel. Computed tomography and magnetic resonance imaging were also performed to examine the transactional area of the vascular graft. There was no graft-specific deadly complication. The patients’ inflammatory reaction early after the operation was not statistically significantly different from the control group of 20 patients, who received a foreign body implant with a similar mean age during a similar period of time. There was no sign of calcification in the grafts for all patients. There was no report of fever of unknown origin, which implies no case of infection. One patient experienced partial thrombosis which was treated with anticoagulant (warfarin) successfully. There was no trend in the change of the transactional area of the vascular graft which suggested some form of environmental adaptation. Histology from an explanted sample of the same material, but used in a sheet form for the repair of congenital heart defects at 2 month post-implantation, showed partial endothelialization and collagen fiber formation in the medial layers. At the latest follow-up with a mean of 5.8 years, there was no graft-related mortality214. There was also no sign of aneurysm formation, graft rupture, or ectopic calcification in any of the implanted grafts under multiple different imaging techniques (CT scan, MRI, angiogram). A typical CT scan of TEVG one year post-implantation is shown in Figure 19. A total of 4 patients died during the follow-up period – 1 patient at 3 months after graft implantation213, 1 patient at 2 years, and 2 patients at 4 years214. All deceased patients had patent grafts and deaths were unrelated to the graft. The surviving patients were in good health conditions. 17 out of 25 patients (81%) were classified as functional class I according to the New York Heart Association Functional Classification219. Class I describes patients with ‘no limitation of physical activity. Ordinary physical activity does not cause undue fatigue, palpitation, dyspnea (shortness of breath)219’. 3 patients were in Class II (Slight limitation of physical activity, comfortable at rest, ordinary physical activity results in fatigue, palpitation, dyspnea219). 
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[bookmark: _Ref489036880]Figure 19 3-Dimensional CT performed at 1 year post-implantation. The red arrows pointed towards the TEVG. The graft was patent, with no aneurysmal dilation. Reproduced from ref. 214 with permission from the Elsevier, copyright 2010

Beside functional benefits of the TEVG, there was also better quality of life for these study patients compared to patients who were implanted with an allograft or synthetic graft. The antiplatelet and anticoagulation treatments for TEVG implanted patients were discontinued by 6 months post-operatively in patients with no sign of graft thrombosis (96%). 8 patients (40%) were not receiving any daily medication. This allowed them to have a better quality of life and reduced risk of medication-related complications and comorbidities. The initial anticoagulation treatment was administered post-operatively to allow time for the endothelialization the inner surface of the graft. As animal experiments had suggested that endothelialization was completed within 2 weeks post-implantation, the authors believed that the anticoagulation treatment period may be further shortened to further improve patients’ quality of life. It was especially important for young female patients who may want to become pregnant to be free from anticoagulation therapy. This is in contrast with the conventional grafts which would require patients to maintain on a long-term anticoagulation (typically oral warfarin) or antiplatelet (typically aspirin) therapy. The main concern, however, is the relatively high incidence of stenosis in these trial patients compared to the other artificial graft materials. It was reported that 6 out of the 25 patients (24%) had asymptomatic graft narrowing detected on routine surveillance imaging. 4 out of the 6 patients underwent successful balloon angioplasty and 1 patient underwent multiple balloon angioplasty and stent placement in the TEVG. This study is estimated to complete in December 2018. 
7.2.4 Limitations
The authors acknowledged the limitations of this clinical study as a small study that involved only a single institution. It was also not a controlled trial. Furthermore, due to the unavailability of autopsies for the demised patients, the group was unable to obtain histological samples of the TEVG in human subjects. The authors also recognized that there are many questions yet to be answered regarding the development of the vascular tissue on the scaffold in vivo. However, given the highly promising results, the authors found it technically feasible to use this new tissue engineered vascular grafts (TEVGs) in low-pressure systems, on patients who have severe cardiovascular compromise with a concomitantly shortened life expectancy. This study demonstrated a promising start for the long path towards successful tissue engineering in the cardiovascular system. 


Table 2 A table to summarize the products in stages beyond bench research. 
	Product Name 
	Company
	Material
	Drug
	Delivery Duration
	Current Status

	SurodexTM
	Allergan, Inc.
	PLGA,
Hydroxypropyl methylcellulose
	Dexamethasone
	60µg over 7-10 days
	Reduce inflammation after cataract surgery. Approved for use in China, Singapore, Mexico etc.

	Ozurdex®
	Allergan, Inc.
	PLGA
	Dexamethasone
	700µg, Biphasic, High dosage for 2 months then low dosage for 4 months
	FDA-approved for macular edema, uveitis

	Tissue-Engineered Vascular Graft (TEVG)
	Trial sponsor: Nationwide Children’s Hospital, USA
	Copolymer of poly-L-lactide and ε-caprolactone (50:50)
	No drug loaded in the graft.
	N.A.
	Clinical trial in 25 patients with a median age of 5.5 years. Phase I non-randomized clinical trial to be completed in December 2018. 







8. Perspectives and Conclusion
The research work discussed in this review demonstrates a promising evolution of using different types of biodegradable elastomers in tissue engineering in recent decades, including ophthalmology, cardiac tissue engineering and vascular tissue engineering. Besides their biodegradability which circumvents the need for a second surgery, the tunable characteristics and functions allow for a precise control over the degradation profile for specific applications. These have translated into improved clinical results compared to the traditional therapy procedures. For advanced tissue engineering applications, there are stringent requirements regarding the design and material composition of the elastomers. For example, in the first place, the elastomers should allow for easy fabrication and synthesis with the desired functionalities. In addition, the materials must be able to demonstrate low or non-toxicity at the cellular and systemic levels, extraordinary biocompatibility and biodegradability. Moreover, the materials should possess additional reactive sites that would allow for incorporation of bioactive molecules such as growth factors and targeting moiety etc. On top of that, another critical point needs to be emphasized is that the bio-implants applied in tissue engineering are sensitive to specific physiological conditions of the target organs such as the pH, oxidative stress, regional inflammation, enzymatic effect and protein adsorption. In order to achieve a good performance, the resistance of the implanted devices to the innate physiological conditions can be improved by including antioxidant moieties such as Vitamin E, ferulic acid, retinoic acid, ascorbic acid and naproxen etc. In another aspect, the translation of the researches to scalable industrial production is of equal importance. Large scale production of these functional elastomers should be at low cost, easy and eco-friendly as well as doing these in an environmentally sustainable way. Therefore, green synthetic route and product design for lesser or no solvent use should be of consideration as early as the material design stage. While we consider biomaterials properties as one of the critical factors to look at, the role of chemical engineering research and development for the production of the polymers is equally important. Chemical engineers design and manufacture these products and more from raw materials.

Most fabrication methodologies reported above have been designed for non-elastomeric materials. The unique thermal and viscoelastic properties of elastomeric polymers require advanced processing technologies, which are able to control the porosity and pore size of the 3D architecture. Advanced crosslinking methods should be developed to improve the mechanical and creep properties of the elastomeric polymer balanced with biodegradation rate. Surface patterning technologies should be integrated with 3D processing methods to introduce micro/nano-scaled topographical cues on 3D porous scaffolds for cell growth and differentiation. Moreover, new fabrication methodologies should not only process elastomeric materials, but also be able to engineer and blend other thermoplastics, hydrogels and/or even natural polymers to achieve polymeric composites with customizable mechanical properties, degradation rates and bioactivities. It will be challenging, but interesting, to also be able to integrate cells during scaffold processing. This would require processing and crosslinking elastomeric scaffolds in aqueous conditions, at body temperature range, and in the absence of any toxic crosslinking agents. 3D bioprinting is an up-and-coming method of creating cell patterns in a confined space using conventional 3D printing technologies. The key feature of this technology is in the preservation of cell function and viability within the printed construct. More importantly, native tissue is not homogeneous. Anisotropic or multiple layered elastomeric scaffolds should be engineered to mimic the natural tissue architecture. Different layers of scaffolds should have different properties to suit different cells or tissues and their functions. It is evident that the biodegradable elastomers have provided various functions for therapeutic treatment on different tissue engineering applications. In the near future, the application of polyester elastomers can be extended to a broader range of clinical applications such as artificial skin for wound healing, vascularization and mineralization in skincare and more advanced tissue engineering. For example, polyester elastomers, can be integrated with MEMS (Micro Electro Mechanical Systems) for drug delivery and tissue engineering applications. BioMEMS, consisting of hybrid artificial-biological microstructures, are well researched for tactile sensing for skin220. Such systems may monitor cellular responses when various mechanical forces are applied, providing real time information on tissue performance and allowing for remote online monitoring. In addition, on-demand triggering via an external stimulus can regulate tissue growth or control the release of drugs and biomolecules. Another example of tissues interacting with electronics would be a microelectronic cardiac patch221. This consists of a PCL/gelatin nanofibrous network integrated with metallized SU-8 microelectronics. Cardiac cells can penetrate and proliferate freely in the flexible mesh and be in close interaction with the recording/stimulation electrodes. This proximity also facilitates on-demand drug release from electroactive polymers to the cardiac cells. These exciting developments herald a new era for tissue engineering and drug delivery whereby real-time monitoring or stimulation can be achieved in a minimally invasive manner. In conclusion, the advancement of biodegradable polyester elastomers requires a complete set of analysis, which include not only the aspect of physiological and mechanical compatibility, but also the more practical and economical production of these materials. A holistic investigation from all aspects will help to develop more successful elastomeric platforms and subsequently, bring them a step closer to practical clinical applications.
Annex 1 – List of acronyms
	Acronyms
	Name in full

	3HB
	3-Hydroxybutyric acid 

	HD
	3-Hydroxydecanoate

	HH
	3-Hydroxyheptanoate 

	HHx
	3-Hydroxyhexanoate 

	MCL-PHAs
	Medium-chain-length polyhydroxyalkanoates

	p(OCS)
	Poly[octanediol-co-(citric acid)-co-(sebacic acid)]

	P3HB4HB
	Poly (3-hydroxybutyrate-co-4-hydroxybutyrate) 

	P3HB-co-3HV
	Poly (3-hydroxybutyrate-co-3-hydroxyvalerate)

	PCL
	Poly (e-caprolactone) 

	PCLF
	Poly (caprolactone fumarate) 

	PDC
	Poly (diol citrate) 

	PDLA
	Poly (D-lactic acid) 

	PDLLA
	Poly (D, L-lactic acid)

	PGA
	Poly (glycolic acid) 

	PGCL
	Poly (glycolide-co-caprolactone) 

	PGS
	Poly (glycerol sebacate) 

	PGSA
	Poly (glycerol sebacate) acrylate 

	PHAs
	Polyhydroxyalkanoates 

	PHB
	Poly (3-hydroxybutyrate)

	PHBV
	Poly (3-hydroxybutyrate-co-3-hydroxyvalerate) 

	PHHxHO
	Poly (3-hydroxyhexanoate-co-3-hydroxyoctanoate) 

	PHN
	Poly (3-hydroxynonanoate) 

	PHO
	Poly (3-hydroxyoctanoate) 

	PHV
	Poly (3-hydroxyvalerate) 

	PLA
	Poly (lactic acid) 

	PLCL
	Poly (L-lactide-co-ε-caprolactone) 

	PLGA
	Poly (lactic-co-glycolic acid) 

	PLLA
	Poly (L-lactic acid) 

	POC
	Poly (1,8-octanediol) 

	POMaC
	Poly (ocatamethylene maleate(anyhydride)citrate) 

	PPF
	Poly (propylene fumarate) 

	PTMC
	Poly (trimethylene carbonate) 

	ROP
	Ring opening polymerization

	SCL-PHAs
	Short-chain-length polyhydroxyalkanoates

	Sn(Oct)2
	Stannous(II) octoate
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