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ABSTRACT 

 

With a huge global market of over $ 3.7 billion annually and employment in more than 12 

million procedures per year, sutures are one of the most widely used medical devices of the 

day. Yet, the ideal suture material does not exist, and surgeons battle on a daily basis with the 

various complications caused by these key medical devices. The ideal suture should create 

an environment that not only supports, but also encourages wound healing by delicately 

approximating the wound edges without contributing to the damage and inflammatory activity 

of the wound. Regrettably, most suture materials have no inherent therapeutic activity and 

contrarily cause damage to the tissue through effects such as ósawingô and ócheese-wiringô, 

that can delay the wound healing process. Hence, there is an urgent need for a more advanced 

suture material that is, not only biocompatible and safe, but also inherently bioactive and able 

to either prevent complications or contribute to the wound healing process. 

The aim of this study is to design, fabricate and evaluate a novel absorbable, monofilament 

biosuture material, that consist only of natural biopolymers with established biocompatibility 

and biodegradability. The biosuture will be transformed into a drug delivery device, that can 

provide localized, sustained drug release to help address complications such as ischemic 

reperfusion injury and the dreaded óno-reflowô phenomenon during microvascular surgery. 

Various biopolymers, such as alginate, pectin, nanocellulose and gelatin, were investigated 

during the preliminary design phase, to obtain an optimized biosuture formulation that could 

meet the United Stated Pharmacopoeiaôs requirements for suture tensile strength. The 

optimized formulation consisted of alginate (6% w/v), pectin (0.1% w/v), gelatin (3% w/v) and 

glycerol (4% v/v). Different methods of drug loading were also investigated and the optimal 

method, namely a lipid-drug coating, selected for further characterization. The biosutures 

displayed excellent mechanical properties with a maximum load failure of 4.14 N in the straight 

configuration. SEM images revealed a smooth surface morphology and even coating of the 

biosuture with the lipid-drug layer. The lipid-drug coating displayed a suitable loading capacity 

(53 ï 101 ug/cm) and provided controlled drug release over a period of seven days. The 

biosutures degraded by means of surface erosion and were fully eroded after 5 weeks of 

incubation. The physiochemical and thermal properties of the biosutures were investigated by 

means of FTIR, XRD, TGA and DSC) and showed favourable results. The biosutures also 

displayed excellent biocompatibility and improved cell viability over a period of 48 hours. The 

biosutures displayed good hemocompatibility with no haemolytic or platelet activating abilities. 

The results are very encouraging warrant further in vivo investigation of the newly developed 

biosuture material.  
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CHAPTER 1: INTRODUCTION AND OVERVIEW OF THE STUDY 1 

 2 

1.1 Introduction 3 

Sutures are one of the most widely used, yet ill performing medical devices on the market 4 

(Ajmeri & Ajmeri, 2006; Byrne & Aly, 2019). The number of available surgical sutures is 5 

approaching 300 different types, which signifies, on the one hand, the extensive need for an 6 

assortment of suture materials, but on the other hand, signifies the dissatisfaction with the 7 

quality of available sutures (Baybekov et al., 2018). There are over 10 well-known suture 8 

related complications, ranging from wound dehiscence and infection to osteolysis and severe 9 

granulomatous reactions, that occur at alarming rates and carry devastating consequences 10 

for patients worldwide (Abhari et al., 2017; Devick, 2021). These complications can largely be 11 

ascribed to the poor performance and inappropriate characteristics of suture materials, which 12 

continue to flame the search for more advanced surgical sutures. The ideal suture must meet 13 

several criteria, foremost of which are adequate tensile strength, good handling properties and 14 

excellent knot security (Karaman et al., 2017). Other important characteristics include low 15 

tissue reactivity, minimal tissue trauma, no capillary action, sterility, cost efficiency and a 16 

reliable, timely degradation profile, without the release of damaging degradation products 17 

(Açan & Hapa, 2018). All encompassing, a suture material should create an environment that 18 

supports, and even encourages, wound healing by delicately approximating the wound edges 19 

without contributing to the damage and inflammatory activity of the wound (Burkhardt & Lang, 20 

in press). Regrettably, none of the sutures that are currently on the market, comply with all 21 

these requirements and the need for a new suture material with improved safety and efficacy 22 

is pertinent (Domnick, 2014). 23 

Sutures are classified based on structure (monofilament or multifilament), lifespan (permanent 24 

or absorbable) and origin (natural or synthetic) (Chu, 2018). Monofilament sutures are 25 

generally preferred due to the high friction coefficient of braided/multifilament sutures, which 26 

causes unnecessary trauma as the suture saws through the tissue. Additionally, multifilament 27 

sutures increase the risk of infection by providing multiple niduses for bacteria to adhere and 28 

accumulate (Domnick, 2014). Yet, several common suture materials, including silk and 29 

polyglactin 910 (Vicryl®), must be braided in order to achieve satisfactory mechanical strength 30 

and handling abilities, which necessitates a compromise between preferred characteristics 31 

and renders these sutures less than optimal (Bloom & Goldberg, 2007).  32 

In terms of lifespan, absorbable sutures are the preferred option, in most surgical procedures, 33 

as it eliminates the need for a second removal procedure, which not only saves time but also 34 

decreases patient anxiety and pain (Greenberg & Clark, 2009). Additionally, non-absorbable 35 
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or permanent suture, such as polyester (Fibrewire® and Ethibond®), are known for their rigidity 1 

and tendency to cut into tissues, a complication referred to as ócheese wiringô (Akgun et al., 2 

2018). The ideal absorbable suture should only remain in the body until the wound has 3 

regained sufficient strength to support itself and the edges no longer require artificial 4 

approximation (Gazivoda et al., 2015). If the suture remains in the body longer than necessary, 5 

its continued presence can result in persisting cellular reactions and chronic inflammatory 6 

responses that has been shown to interfere with the normal wound healing process 7 

(Greenberg & Clark, 2009). Yet, the absorbable sutures that are currently available, e.g., 8 

polyglycolic acid (Daxon®) and polyglyconate (Maxon®), have unnecessarily long absorption 9 

times of between 60 and 150 days, which is far longer than is required by most surgical 10 

procedures (Bloom & Goldberg, 2007).  11 

The origin of a suture material, is also of critical importance as the degree of tissue reaction 12 

largely depends on the chemical properties of the starting materials (Salthouse, 1980). Natural 13 

sutures, i.e., silk and catgut, are notorious for inciting severe inflammatory responses in vivo, 14 

as a result of their proteolytic degradation products (Rose, 2019). Synthetic polymer sutures, 15 

degrade by means of hydrolysis which releases less immunogenic degradation products and 16 

makes synthetic sutures the option of choice for most surgeons (Barrows, 2017). Yet, synthetic 17 

sutures remain inherently foreign to the body and still incite notable inflammatory responses 18 

that have been reported to cause extreme granulomatous reactions, interfere with the 19 

proliferative phase of wound healing and result in necrotic exudative wound tissue (Conn et 20 

al., 1974; Greenberg & Clark, 2009; Ollivere et al., 2014). In light of the great advances in 21 

natural polymer material sciences and the pronounced biocompatibility and biodegradability 22 

of natural polymers, it is shocking that silk and catgut ï two of the oldest suture materials 23 

known to man ï remain the only natural polymer sutures on the market (Ajmeri & Ajmeri, 24 

2006). There is a clear void in terms of natural polymer-based suture material development 25 

that can be ascribed to the limited tensile strength of natural polymers, and the lack of effective 26 

and well-defined suture fabrication methods that employ natural polymers (de la Harpe et al., 27 

2021).  28 

The need for more advanced and better performing suture materials is more pressing than 29 

what is generally assumed. It is estimated that globally over 3 million individual sutures are 30 

implanted every single day (Gazivoda et al., 2015). This gives sutures unprecedented power 31 

to influence the health of unnumerable patients worldwide, but also places a heavy 32 

responsibility on these materials to perform optimally and not deter the success of the 33 

procedures they are used in (Kukreja et al., 2018). Microvascular surgery (MVS), is one of the 34 

many procedures that are directly reliant on the performance of suture materials for a 35 

successful outcome (Rickard & Hudson, 2014). Despite the development of new anastomotic 36 
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devices, interrupted or continues sutures (Figure 1.1), remain the gold standard and preferred 1 

method for achieving microvascular anastomosis (Wain et al., 2016). Hence, if the suture 2 

material does not perform optimally, but for example breaks unexpectedly or significantly 3 

damages the vessel wall, as was described by Polykandriotis et al., surgical failure will ensue 4 

with detrimental consequences for the patient (Polykandriotis et al., 2019). However, MVS is 5 

also complicated by other factors such as thrombosis, stenosis, ischemic reperfusion injury 6 

(IRI) and the dreaded no-reflow phenomenon. These events further threaten the success of 7 

MVS and require additional measures, over and above the improvement of the suture material 8 

used, to ensure complete patency in every case of microvascular anastomosis (Carroll & 9 

Esclamado, 2000).  10 

 11 

Figure 1.1:  A) End-to-end anastomosis using the popular triangulation technique and B) end-12 

to-side anastomosis using interrupted sutures. Adapted with permission from A) (Wain, R.A.J., 13 

Hammond, D., McPhillips, M., Whitty, J.P.M. and Ahmed, 2016) and B) (MacDonald, 2005). 14 

Suture materials, if developed correctly, can open up an interesting avenue for addressing 15 

unavoidable surgical complications, such as IRI and no-reflow in MVS (Dennis et al., 2016). 16 

Drug-eluting sutures have received significant attention in recent years due to their ability to 17 

deliver a drug directly to the cite of injury in a slow, controlled manner (Arora et al., 2019). 18 

Sutures, as drug delivery devices, pose several alluring benefits, that include localized drug 19 

delivery which avoids the risk of systemic side effects, lowers the amount of drug needed, and 20 

decreases the overall cost of treatment (Tummalapalli et al., 2016a). Additionally, since 21 

sutures are already used in most medical procedures, there is no need to introduce a second 22 

foreign object to the surgical field, thereby lowering the chances of infection, while saving the 23 

surgeon valuable time (Deng et al., 2021). Moreover, continued hospitalization is not 24 

necessary to achieve sustained drug administration and if the suture material is absorbable, 25 

a second procedure to remove the drug delivery device is not necessary, which again saves 26 

time and money, but also spares the patient unnecessary pain and discomfort (Dennis et al., 27 

2016; Leaper et al., 2017; Weldon et al., 2012).  28 
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In the present project, we set out to address the need for a superior suture material by 1 

developing and advanced 3D monofilament biosuture that consists of natural polymers and is 2 

capable of localized, sustained drug delivery. Only natural polymers, with established 3 

biocompatibility and biodegradability, was considered for inclusion in the biosuture 4 

formulation, to ensure optimal safety and in vivo degradation. A new method of suture material 5 

fabrication, that is appropriate for natural polymer-based formulations and does not rely on 6 

harsh organic chemicals, was developed. Different methods of drug loading were explored in 7 

order to find a method that did not interfere with the mechanical performance of the biosuture 8 

material and provided a desirable drug release profile. Through the development of this novel 9 

biosuture material we aimed to provide a device that can improve the patency rates of MVS 10 

procedures and pave the way for future natural polymer-based suture materials.  11 

1.2 Rational and motivation  12 

Biosutures, here defined as any suture materials that consist of natural biopolymers (i.e., 13 

polymers derived from plant or animal materials that are abundantly found in nature), have the 14 

potential to transform the surgical field as we know it (Hassan et al., 2019). Natural polymers 15 

have a unique trump card over synthetic polymers in the form of their biological properties and 16 

close similarity to the native extracellular matrix (ECM) (Nam & Park, 2018). The ECM, which 17 

primarily consists of proteins and carbohydrates, plays a critical role in tissue regeneration by 18 

providing structural support to cells, maintaining homeostasis, and facilitating key cellular 19 

functions such as adhesion, signalling, differentiation, and proliferation (Altomare et al., 2018). 20 

There is an interesting correlation between the basic functions of the ECM, and that of a suture 21 

material, which include providing mechanical support, achieving haemostasis, and facilitating 22 

effective wound healing (Tan et al., 2003). Yet, synthetic polymer sutures do not actively 23 

contribute to the wound healing process as they lack the necessary bioactive moieties that 24 

would allow for cellular interactions (Chandra et al., 2020). Natural protein polymers such as 25 

gelatin, on the other hand, contain the same RDG (arginine-glycine-aspartic) amino acid 26 

sequence found in the native ECM, which allows them to facilitate and encourage cellular 27 

adhesion, proliferation, differentiation and ultimately, tissue regeneration (Koshy et al., 2016). 28 

Hence, by developing novel biosutures with bioactive moieties, that are inherently part of their 29 

structure, the therapeutic value of suture materials can instantly be elevated to a new level 30 

where they actively support and facilitate the wound healing process (Joseph et al., 2017). 31 

In addition to improving the therapeutic efficacy of suture materials, natural polymers possess 32 

several other benefits that also advocate for their use in suture material development. These 33 

include their sustainable and environmentally friendly nature, low cost, and wide availability 34 

(Kurakula et al., 2020). Natural polymers are also highly adaptable and can easily be 35 

manipulated to obtain specific properties, such as more rapid degradation or greater tensile 36 
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strength, to meet the specific requirements of the biomaterial that is being developed 1 

(Doppalapudi et al., 2015). Moreover, there are several promising natural polymers available 2 

that undergo hydrolytic degradation in vivo to release safe, nonimmunogenic and nonantigenic 3 

degradation products that are easily metabolised and excreted from the body (Rajeswari, 4 

2017). In fact, all the natural polymers employed in this study, are approved by the FDA as 5 

ógenerally regarded as safeô (GRAS), meaning they have been bestowed the highest level of 6 

safety and can freely be included in the human diet (Qin et al., 2018).  7 

Undoubtedly, natural polymers have improved the outcome of various medical procedures 8 

through the development of more advanced medical devices such as absorbable stents, novel 9 

wound dressings and several tubular prosthesis (Petersen & Gatenholm, 2011). Microvascular 10 

surgery, which has greatly expanded in recent years to include plastic and reconstructive 11 

surgery, free tissue transfers and organ transplants, is one of the fields that have yet to benefit 12 

from a natural polymer counterpart, to the extensively used synthetic suture (Brown et al., 13 

2020).  The urgent need for a more effective biosuture counterpart is highlighted by the various 14 

complications (e.g., hyperproliferation and stenosis, thrombosis, necrosis, and chronic 15 

inflammation) that find their origin in the synthetic nature of currently employed suture 16 

materials (de la Harpe et al., 2021). These synthetic sutures have been shown to place 17 

unnecessary strain on the vessel wall, cause significant endothelial damage and release 18 

harmful degradation products that cause local pH-shifts and are onerous to remove from the 19 

body (Benlier et al., 2007; Hadlock & Varvares, 2002; Metz et al., 1989; Seitz et al., 2015; Wu 20 

et al., 2021). Hence, MVS can clearly benefit from the development of a novel biosuture with 21 

appropriate tensile strength, excellent biocompatibility, a timely degradation profile and safe 22 

degradation products, as we will endeavour to achieve in this project.   23 

Ischemic reperfusion injury (IRI) and the widely encountered no-reflow phenomenon, is 24 

currently one of the greatest threats to the success of microvascular and vascular procedures 25 

(Seyid et al., 2021). Reperfusion injury has been described to hold several significant 26 

consequences, including vast oedema and stenosis, but the most common is indisputably the 27 

no-reflow phenomenon, which has been recorded to occur in 60% of percutaneous coronary 28 

interventions, 58% of failed digital replantation surgeries and a staggering 82% of free flap 29 

transfers (Bouleti et al., 2015; Wang, 2009; Wang et al., 2011). IRI and the no-reflow 30 

phenomenon are complicated events, and the reader is referred to an in-dept review published 31 

by Carroll et al., on IRI within the framework of MVS (Carroll & Esclamado, 2000). Briefly, MVS 32 

necessitates a transient period of ischemia during which toxic metabolites and pro-33 

inflammatory mediators accumulate. Once the vessel clamps are removed and blood flow is 34 

restored, an influx of activated neutrophils, oxygen free radicals and proteolytic enzymes 35 

causes irreversible damage to the vessel wall (Figure 1.2) (Sánchez-Hernández et al., 2020). 36 
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No-reflow, in turn, is a continuous event that worsens over time and is thought to be the result 1 

of interstitial oedema and endothelial swelling, loss of adrenergic control of vascular tone and 2 

plugging of the vessel lumen with leucocytes (Rezkalla, 2002a). No-reflow is a dangerous and 3 

lethal process as it cuts of all nutrients to distal tissues, at which point it is extremely difficult 4 

to stop or reverse (Carroll & Esclamado, 2000). Additionally, the risk of fatal secondary events, 5 

such as ischemic stroke, myocardial infarctions and organ failure, increases exponentially. 6 

Prevention of IRI and no-reflow is therefore of utmost importance during MVS, yet an effective 7 

protocol to achieve such prevention does not exist (Niccoli et al., 2010). 8 

 9 

Figure 1.2: Schematic representation of the tissue damaging inflammatory response of 10 

ischemic reperfusion injury. Reused with permission from (Sánchez-Hernández et al., 2020). 11 

Dexamethasone (DEX) has been shown to be beneficial in the prevention of IRI during MVS, 12 

most likely due to its anti-inflammatory activity, even though several authors maintain that the 13 

exact mechanism is not known (Lu & Chiang, 2008; Sánchez-Hernández et al., 2020; Tu et 14 

al., 2020). Dolan et al., showed that DEX significantly improves ischemic flap survival using a 15 

rat model, while other authors have reported reduced macromolecular clearance during 16 

reperfusion, improved reflow and greater flap viability with the use of DEX during MVS 17 

(Breitbart et al., 1989; Chen et al., 1996; Dolan et al., 1995a). Yet, there are several challenges 18 

with the use of DEX for the prevention of IRI and no-reflow, which has hindered its routine use 19 

in MVS (Askar & Bozkurt, 2002). One of the biggest challenges is the high risk of detrimental 20 

systemic side effects, such as suppressed immunity, at the high doses of DEX that are 21 

necessary to achieve successful prevention of reperfusion injury (Tritto et al., 2013). 22 
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Additionally, no-reflow has been found to occur up to seven days after reperfusion and thus 1 

requires continued DEX administration to be circumvented, which is impractical and costly in 2 

the surgical and hospital setting (Giammalva et al., 2017). There is clearly a dire need for a 3 

new drug delivery device, such as the drug-eluting biosuture proposed by this study, that can 4 

provide local, sustained release of DEX, without the risk of systemic side effects or 5 

unnecessary high cost and time expenditures, to help prevent IRI and the no-reflow 6 

phenomenon in MVS.  7 

1.3 Novelty of the study 8 

It is of critical importance that the therapeutical efficacy of suture materials be improved. Even 9 

though an impressive number of sutures have been developed, the current study is novel in 10 

the fact that: 11 

¶ The new biosuture material was developed from natural biopolymers that have not 12 

previously been used as raw materials for suture fabrication. 13 

¶ An innovative method of biosuture fabrication, that does not involve the use of harsh 14 

organic solvents like most suture production methods, was employed. 15 

¶ The biosuture had an additional feature, i.e., localized drug delivery and could provide 16 

sustained release of dexamethasone to help prevent ischemic reperfusion injury and no-17 

reflow during microvascular surgery.   18 

1.4 Aims and objectives 19 

The aim of this study was to design, formulate and evaluate a novel 3D monofilament 20 

biosuture that can provide sustained, localized drug release for microvascular surgery (MVS) 21 

applications. We proposed to use natural biopolymers with established biocompatibility and 22 

similarity to the native ECM components, to ensure that the biosuture has optimal 23 

biocompatibility and provides an environment supportive of wound healing. To achieve this 24 

aim, the following objectives were set:  25 

1. To develop a biosuture formulation that consist of natural biopolymers, in the correct 26 

concentrations and molar ratios, to yield a material that has satisfactory mechanical 27 

performance and handling properties. 28 

2. To develop a reliable, environmentally friendly method of biosuture fabrication that can 29 

produce biosutures with consistent diameter, morphology, and strength.  30 

3. To transform the newly created biosuture material into a drug delivery device with an 31 

acceptable sustained drug release profile.  32 

4. To evaluate the physiochemical, mechanical, thermal, and morphological properties of the 33 

optimized biosuture material by studying the infrared spectrum, x-ray diffraction spectrum, 34 

thermograms, tensile strength and surface properties of the biosuture. 35 
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5. To evaluate the in vitro swelling, degradation, and drug release behaviour of the optimized 1 

biosuture material for the development of the drug delivery device. 2 

6. To evaluate the in vitro biocompatibility of the optimized biosuture material by means of a 3 

cytotoxicity assay and cellular attachment study, according to ISO 10993-5 standards. 4 

7. To evaluate the in vitro hemocompatibility of the optimized biosuture material according to 5 

ISO 10993-4 and ASTM F756 guidelines to account for blood-biosuture interactions. 6 

1.5 Overview of the dissertation 7 

The content of each chapter in this dissertation is based on the aforementioned aim and the 8 

outlined objectives. Figure 1.3 provides a schematic representation of the overview of the 9 

dissertation. 10 

Chapter 1 introduces the subject at hand and specifies the rational and motivation behind the 11 

study. The novelty of the study is also highlighted while the specific aim and objectives that 12 

were undertaken are described.  13 

Chapter 2 is a literature review that exposes the latest and most important advancements in 14 

suture material development while digging deep into how natural, carbohydrate polymers can 15 

serve to advance this field.  16 

Chapter 3 is focussed on the development of the novel biosuture formulation and investigates 17 

the effect of different formulation components, such as biopolymers, plasticizers and 18 

crosslinkers, on the mechanical properties of the biosuture material. The ideal biosuture 19 

fabrication method was identified in this chapter and the influence of different fabrication 20 

factors, such as crosslinking time and drying method, on the mechanical properties of the 21 

biosuture, investigated. Finally, an optimized biosuture formulation, that yields a biosuture with 22 

satisfactory mechanical properties, was identified. 23 

Chapter 4 is concerned with the transformation of the newly developed biosuture material into 24 

a drug delivery device. Different methods of drug loading, that include immersion, drop coating 25 

and direct incorporation into the polymer matrix, were explored in order to find a method that 26 

did not compromise the mechanical properties of the biosuture and provided the desired drug 27 

release profile. 28 

Chapter 5 finds its focal point in the characterization of the optimized biosuture material, 29 

before and after drug loading. The infrared and powder x-ray diffraction spectra of the 30 

biosutures were contrasted with that of the pristine polymers to expose any chemical 31 

transitions and changes in crystallinity. The thermal properties of the biosutures were also 32 

investigated by means of thermogravimetric analysis and differential scanning calorimetry, 33 

while the surface morphology of the biosutures is discussed based on scanning electron 34 
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images. The in vitro swelling, degradation, and drug release behaviour of the optimized 1 

biosutures are also analysed and elaborated on in this chapter.   2 

Chapter 6 is an in-depth report of the biocompatibility and hemocompatibility of the biosutures 3 

and describes the results of a cytotoxicity assay and cell attachment study that was performed 4 

on HEK 293 and NIH-3T3 cells, in addition to a haemolysis and platelet activation assay.  5 

Chapter 7 is the closing chapter and provides a conclusion to and summary of the work that 6 

was done, as well as future recommendations for how this study can be further enhanced. 7 

 8 

 9 

 10 

 11 
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 17 
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 20 
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 22 
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Figure 1.3: Schematic representation of the outline of the dissertation.  24 
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CHAPTER 2: ADVANCES IN CARBOHYDRATE-BASED POLYMERS FOR THE DESIGN 1 

OF SUTURE MATERIALS ï A REVIEW 2 

 3 

2.1 Introduction  4 

A suture is any string of material, either natural or synthetic, that is used to litigate blood 5 

vessels or approximate tissues, in order to achieve proper wound healing (Azhahia et al., 6 

2008). Sutures were first introduced by the forefathers of medicine, nearly 4000 years ago, 7 

when they used strips of linen, tendons and even horsetail hair to close common wounds 8 

(Sahoo et al., 2017). Today, surgical sutures are primarily made of synthetic polymers and 9 

used to treat a more diverse scope of wounds ranging from surgical incisions and severed 10 

vessels, to any form of traumatized tissue such as tendons, nerves and muscles (Ajmeri & 11 

Ajmeri, 2006). The successful outcome of these procedures rely heavily on the behaviour of 12 

the suture material within the biological milieu, which in turn depends on the intrinsic properties 13 

of the starting material and its proper formulation into a suitable suture material (Tummalapalli 14 

et al., 2016b). In light of the primary role of sutures in achieving a successful surgical outcome, 15 

one would expect these materials to have been refined and perfected over the many years 16 

that they have been in use. Yet, the ideal suture material remains a much sought-after target 17 

and future dream of scientists and surgeons alike (Rengasamy & Ghosh, 2010).  18 

In recent years, several authors have suggested that the demands of modern surgery, 19 

drastically exceed the abilities of available synthetic polymer sutures (Pillai & Sharma, 2010; 20 

TanasŁ & ZŁnoagŁ, 2011; Zhukovskii, 2008). Hence, a new trend has emerged where 21 

scientists are looking towards natural polymers, which hold several promising properties, such 22 

as supreme biocompatibility and high tensile strength with a balanced measure of elasticity, 23 

to develop novel suture materials with improved safety and efficacy (Cruz et al., 2016). The 24 

potential of natural polymers to produce first-rate suture materials, was first alluded to by 25 

Zhukovskii, who stated that the only way to advance the field of surgical sutures, is to develop 26 

new strong and elastic fibres made of biocompatible, absorbable natural polymers, such as 27 

the polyoxyalkanoates, collagen, chitin and alginate (Zhukovskii, 2008). Yet, the greatest 28 

argument in favour of employing natural polymers in suture material development, can 29 

perhaps be found in a simple comparison of the advantages and disadvantages of synthetic- 30 

and natural polymer sutures, as provided in Table 2.1 31 

 32 

 33 

 34 
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Table 2.1: Advantages and disadvantages of synthetic- and natural polymer sutures. 1 

Advantages Disadvantages 

Synthetic polymer sutures 

1. Good mechanical strength (Szycher, 2017) 1. Poor biocompatibility and causes severe 

inflammatory reactions (Yunus, et al., 2019).  

2. Familiar to most surgeons (Halepas et al., 

2020) 

2. Release harmful degradation products (Islam 

et al., 2017). 

3. High reproducibility (Hosseini, et al., 2020) 3. Longer recovery times (Shao et al., 2016). 

4. Wide variety available (Matsuzaki et al., 

2019) 

4. Does not support cellular interactions 

(Cassimjee et al., 2020). 

5. Can be coated to improve handling 

properties (Byrne & Aly, 2019) 

5. Low pliability and poor handling properties 

(Trentadue et al., 2021). 

6. Absorbable and non-absorbable variants 

(Sheik-Ali & Guets, 2018) 

6. Irregular degradation and sudden loss of 

tensile strength (Alsarhan et al., 2018). 

 7. High risk of bacterial adherence and infection 

(Mahesh et al., 2019). 

Natural polymer sutures 

1. Excellent biocompatibility (Centeno-Cerdas 

et al., 2018). 

1. Variation depending or source of polymer 

(Guambo et al., 2020). 

2. Environmentally friendly / Green (Islam et 

al., 2017). 

2. Ethical considerations (Phelan & Council, 

2019). 

3. Inexpensive (Kaczmarek et al., 2019). 3. Unfamiliar to surgeons (Fan et al., 2020). 

4. Improved wound healing (Shao et al., 

2016). 

 

5. Supports cell proliferation (Peng et al., 

2020). 

 

6. Inherent antimicrobial activity (da Silva et 

al., 2019). 

 

7. Mimics the extra cellular matrix (Li et al., 

2017). 

 

8. Safe degradation products (Kim et al., 

2015). 

 

9. Sustained drug release (Padmakumar et 

al., 2016). 

 

 2 
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In this chapter, we review the latest advancements in the field of suture materials by taking a 1 

closer look at three profound natural carbohydrate polymers, namely cellulose, chitin and 2 

alginate and how they have been employed to create novel, advanced suture materials. The 3 

specific properties and unique attributes of these three natural polymers, which make them 4 

especially suitable for suture material applications, are discussed. Furthermore, significant 5 

breakthroughs that have been made in recent years, through the use of these polymers in 6 

suture development, are studied in detail. The potential impact and future prospects of these 7 

developments are also highlighted. Through this review, we hope to gain new insight into the 8 

potential of natural polymers as advanced suture materials and the novel, interesting methods 9 

that can be employed to manufacture natural polymer-based sutures.  10 

2.2 Cellulose and its derivatives 11 

Cellulose is the most abundant polymer of natural origin and has enjoyed much attention in 12 

the field of biomedical research (Mohite & Patil, 2014). As a biomaterial, cellulose offers 13 

numerous advantages such as nontoxicity, high availability, renewability, low cost, 14 

biodegradability and other quintessential physical and chemical properties (Liu et al., 2015). 15 

These properties have led to its widespread use as a biomaterial with applications such as 16 

wound dressings, dialysis membranes, controlled drug delivery systems and tissue 17 

engineering scaffolds (Flynn et al., 2013; Hakkarainen et al., 2016; Mansoor et al., 2019; 18 

Sindhu et al., 2014; Ullah et al., 2016). However, the poor solubility of cellulose in water and 19 

other common solvents, has prevented its full utilization in the biomedical and related fields 20 

(Petersen & Gatenholm, 2011). Hence, different derivatives of this promising natural polymer, 21 

such as oxidized regenerated cellulose, hydroxyethyl cellulose and cellulose nanofibrils, have 22 

been developed (Roy et al., 2009). These derivatives exhibit improved solubility, as well as 23 

other desirable chemical properties, including the presence of several functional groups that 24 

can be readily activated (Hou et al., 2009). As a result of its key structural role in plant cell 25 

walls, cellulose and its derivatives also demonstrate notable mechanical strength, making 26 

them ideal candidates for new, innovative suture materials (Halib et al., 2017).  27 

2.2.1 The use of oxidized cellulose in the development of novel suture materials 28 

Traditionally, cellulose cannot be degraded in the human body due to the absence of cellulase, 29 

the enzyme responsible for cellulose degradation (Cassimjee et al., 2020; Yadav et al., 2019). 30 

In this regard, oxidized cellulose, which is both biocompatible and biodegradable, is a valuable 31 

option for the fabrication of highly sought after, absorbable suture materials (Harris et al., 32 

2010). Additionally, oxidized cellulose has bactericidal properties, against some of the most 33 

prominent infectious organisms, and has been found to facilitate wound healing through the 34 

suppression of matrix metalloproteinases (MMP) activity, which results in reduced 35 

inflammatory responses (Alfieri et al., 2011; Liu et al., 2012). Despite these advantageous 36 
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properties and the demonstrated benefit of using oxidized cellulose in wound healing, there is 1 

currently no oxidized cellulose suture product on the market (Zhang et al., 2020).   2 

A study done by Li et al., in 2019, however, suggests that this could change in the near future. 3 

The authors managed to successfully produce absorbable surgical sutures from oxidized 4 

regenerated cellulose (ORC), with favourable biodegradability and ideal mechanical 5 

properties. Their work signified a breakthrough in both the field of suture manufacturing and 6 

that of cellulose processing (Li et al., 2019). In contrast to previously employed non-selective 7 

oxidation methods, that were difficult to execute and required both high temperature (343 K) 8 

and high pressure (70 atm), the authors employed a selective 2,2,6,6 ï tetramethylpiperidine-9 

1-oxyl (TEMPO)-mediated oxidation method (Coseri et al., 2013). This method allows for 10 

expert control over the extend of oxidation and enabled the authors to obtain the ideal carboxyl 11 

content, that ensured both biodegradability and sufficient mechanical strength in the novel 12 

suture formulation (Li et al., 2019). In fact, the knot-pull tensile strength of the ORC sutures, 13 

demonstrated values exceeding 10.0 N, which is more that the required strength specified by 14 

the United States Pharmacopeia (USP) (Rockville (MD): United States Pharmacopeial 15 

Convention, 1976). These values are especially significant, as knot-pull tensile strength is the 16 

main determining factor of the success and applicability of suture materials (Kim et al., 2007). 17 

The fabricated ORC sutures also demonstrated good knot security and satisfactory handling 18 

properties, pointing to the feasibility of using cellulose based sutures in the clinical setting (Li 19 

et al., 2019). 20 

Additionally, the ORC sutures displayed a model degradation profile that could easily be 21 

adapted (illustrated in Figure 2.1 A). As can be seen in Figure 2.1 B, TEMPO-mediated 22 

oxidation significantly increased the carboxyl content of the material which also increased the 23 

spacing between the molecular chains and subsequently decreased the inter anatomic forces 24 

between the cellulose molecules. Water could, therefore, easily penetrate the suture fibre, 25 

allowing it to slightly swell and eventually degrade. This method of suture fabrication provides 26 

an added benefit of controlled degradation that can easily be adapted by varying the extend 27 

of oxidation. Alternatively, it provides a valuable opportunity for controlled, localized drug 28 

delivery through the functionalization of active pharmaceutical ingredients onto the suture 29 

surface, that can ultimately expand the versatility of novel cellulose-based suture materials 30 

(Dennis et al., 2016). 31 
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 1 

Figure 2.1: A) The in vitro degradation of tempo-mediated oxidized regenerated cellulose 2 

(TORC) sutures at different oxidation times (15, 30, 45, 60, and 90 minutes after PBS 3 

impregnation) mean ± S.D., n = 10. B) Carboxyl content of ORC sutures at the same different 4 

oxidation times. Adapted with permission from (Li et al., 2019). 5 

2.2.2 The use of plant derived nanocellulose in the development of suture materials. 6 

Nanocellulose (NC) is another form of cellulose that provides an exciting combination of the 7 

structural elements of pristine cellulose, with the unique features of nanoscale materials 8 

(Gatenholm & Klemm, 2010). NC can be derived from either plant materials, that undergo 9 

extensive chemical and mechanical treatment, or from bacteria (e.g. Gluconacetobacter 10 

xylinus) that produce NC as an exopolysaccharide (Klemm et al., 2006). The unique scale and 11 

structure of NC gives it certain desirable qualities, such as a large specific surface area, 12 

tailorable morphology and stability over a wide range of temperatures and pH levels, amongst 13 

others (Bacakova et al., 2019). However, it is the characteristically high Youngôs modulus, 14 

which is in the range of 100 ï 200 GPa and comparable to the strength of steel, that makes 15 

NC a useful polymer in terms of suture fabrication (Yadav et al., 2019).   16 

In a promising study, Mertaniemi et al., produced NC sutures capable of harbouring and 17 

delivering stem cells directly to an injured area (Mertaniemi et al., 2016). They demonstrated 18 

that native cellulose nanofibers could be prepared into cross-linked suture threads with high 19 

mechanical strength, even under wet cell culture or surgery conditions, which has been a 20 

challenge with other cellulosic materials (Yadav et al., 2019). Even after being soaked in water 21 

for one week, the cross-linked NC sutures maintained 40% of their dry tensile strength, 22 

resulting in a wet tensile strength within the range of the strongest tendons in the human body 23 

(Mathew et al., 2012, 2013). Additionally, these suture fibres created an optimal environment 24 

for human adipose mesenchymal stem cells (hASC) to adhere, migrate and proliferate, even 25 

without added surface modifiers (Figure 2.2). An ex vivo experiment on pig skin revealed that 26 

the cells remain on the suture material after intradermal suturing, without displaying any 27 
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morphological changes or reduction in metabolic activity (Mertaniemi et al., 2016). This state-1 

of-the-art research opened up a new avenue for stem cell therapy, where surgical sutures can 2 

be used to directly deliver and retain cells at the target site, thereby improving the efficacy of 3 

the treatment and preventing unnecessary spread and deposition of cells in other organs 4 

(Dennis et al., 2016). Moreover, these innovative NC sutures, can allow for facile surface 5 

modification to allow for the addition of different molecules or adhesion of various cell types, 6 

thereby creating a generic platform for surgical cell delivery via sutures, that can help fight 7 

post-operative inflammation, chronic stubborn wounds and several other difficult to treat 8 

conditions (Mertaniemi et al., 2016). 9 

 10 

Figure 2.2: Immunocytochemistry shows the attachment of the cells of the suture surface. 11 

The human adipose mesenchymal stem cells (hASC) exhibited elongated cytoplasmic 12 

intermediate filaments (stained red with phalloidin), especially on the crosslinked suture fibres. 13 

Nuclei were counterstained in blue with DAPI. Scale bars 50 µm. Used with permission from 14 

(Mertaniemi et al., 2016). 15 

Another study on NC based sutures was completed in 2019 by Yunus et al., who evaluated 16 

the utilization of NC from oil palm empty-fruit-bunches for the manufacturing of surgical 17 

sutures. During an in vivo trial using male Wistar rats, they found that the NC surgical threads 18 

caused less inflammation that the control groups (silk and polyvinyl alcohol sutures) and had 19 

a favourable influence on the wound healing process (Yunus et al., 2019). This is in line with 20 

other studies done on NC wound dressings that have been found to promote healing and 21 

reduce pain (Czaja et al., 2006). A major benefit noted in this study, and other investigations 22 
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of NC fabrication from oil palm empty-fruit-bunches, is that the transformation of this abundant 1 

biomaterial into NC, could help address the large amount of unutilized biomaterial waste (± 2 

17.37 million tons per year) by creating value added products that can help ease the growing 3 

burden on the environment (Dungani et al., 2018; Fahma et al., 2010; Hastuti et al., 2018). 4 

2.2.3 The use of bacterial derived nanocellulose for novel suture material development 5 

Bacterial nanocellulose (BC), which is produced by several strains of bacteria, is an especially 6 

distinguished polymer that has certain advantages above plant-based NC that can lead to its 7 

inclusion in suture materials (Shah et al., 2013). When NC is removed from plants, the raw 8 

material usually contains several impurities in the form of ash or hemicellulose that must be 9 

removed before use. Bacterial cellulose (BC) on the other hand is a very pure material that 10 

can be used without further processing (Iguchi; et al., 2000). Another limiting factor of plant-11 

based NC is the inability to change the size and shape of the nanofibers, while BC 12 

demonstrates great moldability during cultivation, allowing for the desired size and shape to 13 

be obtained (Shoseyov et al., 2019). Another interesting property of BC, is its striking similarity 14 

to collagen, a protein found in the native extracellular matrix (ECM), which could explain the 15 

impressive biocompatibility and lack of inflammation witnessed with implanted BC (He et al., 16 

2005; Li et al., 2017). However, some of the noble properties of BC, such as a high degree of 17 

polymerization and crystallinity, can cause suture materials to lose their elasticity and become 18 

brittle, if this distinguished polymer is not employed correctly (Klemm et al., 2006).  19 

Yet, in 2018, Wu et al., managed to develop regenerated chitin fibres that could meet the 20 

requirements of surgical sutures, precisely through the incorporation of BC into the formulation 21 

(Wu et al., 2018a). They used BC to improve the mechanical strength of chitin fibres, which 22 

were previously too weak to be used as functional suture materials (Maslova et al., 2016; Viju 23 

& Thilagavathi, 2013). As the amount of BC was increased in the formulation, the ultimate 24 

stress increased while the strain slightly decreased, the effect of which can be seen in Table 25 

1 (Wu et al., 2018a). This is in line with other studies which found that the addition of BC can 26 

increase the strength of a matrix but will simultaneously decrease the extensibility (Lee et al., 27 

2016; Saralegi et al., 2013; Wang et al., 2015). The authors, however, managed to find a 28 

sweet spot at 10 mL of 5% (w/v) BC, where the main aim of improved mechanical strength 29 

was achieved, while maintaining sufficient extensibility for the fibres to function as surgical 30 

sutures. At this concentration, the BC-loaded fibres achieved a knot-pull tensile strength of 9.8 31 

± 0.6 N, which meets the strength requirements mandated by the USP (Chen et al., 2015). An 32 

enzymatic degradation study revealed an added benefit of tuneable degradation that could be 33 

achieved by varying the concentration of BC in the fibres. Lastly, good biocompatibility and 34 

ease of use was noted during an in vivo animal trial and the authors concluded that the BC-35 
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loaded fibres might be considered as good candidates for surgical suture applications (Wu et 1 

al., 2018a).  2 

Table 2.2: Mechanical properties of the BC-loaded yarns indicating the ultimate stress and 3 

ultimate strain of fibres with different diameters and BC concentrations (mean ± S.D., n = 20). 4 

Reused with permission from (Wu et al., 2018b).  5 

Volume of BC added 

(mL) 

Yarn diameter 

(ɛm) 

Ultimate stress 

(MPa) 

Ultimate strain 

(%) 

0 20.5 ± 1.7 126.5 ± 11.4 9.7 ± 1.1 

5 21.2 ± 1.5 157.6 ± 11.8 8.8 ± 1.0 

10 22.4 ± 1.6 186.2 ± 12.4 8.3 ± 0.7 

15 23.5 ± 1.8 153.3 ± 13.5 7.8 ± 0.7 

 6 

Recently, a patent (US 2013/0309295 A1) entitled, óBiosynthetic functional cellulose (BC) 7 

fibres as surgical sutures and reinforcement of implants and growing tissueô was filed by Paul 8 

Gatenholm, Riner, VA (US). The principal embodiment of this invention is strong and stiff, yet 9 

flexible fibres, consisting of BC, that can be used as surgical sutures. The patent discloses a 10 

novel method of growing BC inside permeable tubes, whereby a compact gel in the form of 11 

cylindrical fibres can be produced and then dehydrated to obtain unique suture-like fibres. 12 

According to the inventor, the surface of the fibre consists of nano-structured cellulose which 13 

promotes cell migration, tissue integration and wound healing. The published patent 14 

application also provides a method of loading the fibres with growth factors, drugs and other 15 

antimicrobial agents that can aid the wound healing process (United States patent no. 16 

13/983,709, 2013). This patent as well as the other studies discussed above, highlight the 17 

fascinating and almost inexhaustible methods that can be employed to utilize cellulose, as 18 

well as its significant potential as a suture biomaterial. 19 

2.3 Chitin and its derivatives 20 

Chitin is another ubiquitous and useful natural polymer, found in the exoskeleton of arthropods 21 

such as crabs and shrimps, or in cell walls of fungi and yeast (Cheba, 2011). Besides 22 

conceivable properties such as biocompatibility, biodegradability and non-toxicity, which 23 

stems from its natural origin, chitin also holds several other useful properties (Öktem, 2003). 24 

These include a basic nature, which stands in stark contrast to the acidic or neutral nature of 25 

most natural polymers, as well as a high charge density with the ability to chelate metal ions, 26 

high surface area, exceptional porosity and other optical structural characteristics, that has 27 

ensured its use in a myriad of biomedical applications and makes it a promising futuristic 28 

suture material (Badwan et al., 2015; Benesch & Tengvall, 2002; Gupta & Ravi Kumar, 2000; 29 

Obulapuram et al., 2020; Shelma et al., 2008).  30 
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Chitin is chiefly found in two forms namely, pristine chitin as extracted from crustacean shells, 1 

and its deacetylated form, chitosan, which has an acetylation degree below 50% and higher 2 

solubility than chitin (Shen et al., 2015). These polymers are naturally broken down in the 3 

human body by native enzymes (e.g. lysozyme) into relatively pure oligosaccharide and 4 

glycosaminoglycan moieties (Niekraszewicz & Niekraszewicz, 2009). Some of these moieties, 5 

such as N-acetyl glucosamine (NAGA), which is the most pertinent component of chitin, is 6 

also present in essential human glycoproteins that make up connective tissues like hyaluronic 7 

acid and keratin sulphate. This glucosamine is widely used in tissue engineering and wound 8 

healing applications for its esteemed ability to regenerate cartilage tissue and facilitate the 9 

ordered deposition of collagen (Mndlovu et al., 2019a; Pillai & Sharma, 2010). Other moieties, 10 

such as N-acetyl-D-glucosamine (GlcNAc), which is released upon depolymerization of 11 

chitosan, can initiate fibroblast proliferation and stimulate hyaluronic acid synthesis, that will 12 

ultimately lead to faster wound healing and less scar formation (Shelma et al., 2008). 13 

Numerous reports have indicated that both chitin and chitosan have accelerating effects on 14 

wound healing, making them distinguished materials for wound dressings and suture 15 

formulations (Badwan et al., 2015; Brigham, 2017; Sashiwa & Aiba, 2004; Singh & Ray, 2000).   16 

Accelerated wound healing is, however, only the start of the beneficial properties displayed by 17 

chitin and its derivatives (Khor, 2014). These polymers exhibit a variety of biological functions 18 

such as haemostatic, anti-tumour, anti-inflammatory, anti-scarring, anti-bacterial, anti-viral and 19 

anti-fungal activities, that can all be used to obtain the ideal suture material (Kucharska et al., 20 

2019). The exact mechanism of action behind the inherent bioactivity of chitin, is not yet fully 21 

understood but progress is being made at a staggering rate to better understand this 22 

impressive polymer (Kong et al., 2010; Riaz et al., 2020). Despite our limited knowledge on 23 

how this polymer functions in vivo, chitin has already moved to the forefront of suture material 24 

development, primarily due to present research studies and development efforts focussing on 25 

the development of absorbable suture materials with multiple functionalities, including the 26 

antibacterial and haemostatic activities seen with chitin (Chu, 2013; Padmakumar et al., 2016). 27 

A wide chasm remains in terms of chitin-based fibre formulations with applicable suture 28 

properties and functional methods for the production of chitin-based sutures. Yet, the immense 29 

potential and importance of chitin as an absorbable suture material is evident and can be 30 

witnessed in the great number of relevant research papers, recently published on the subject 31 

(Singh et al., 2017). 32 

2.3.1 Chitin as a potential biomaterial for surgical suture material applications 33 

In mid-2019, Zhang et al., published a research paper wherein they propose chitin as an ideal, 34 

degradable surgical suture material (Zhang et al., 2019). The authors suggest that chitin-35 

based suture materials can help overcome some of the disadvantages and limitations of 36 
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current synthetic absorbable suture materials, such as the inevitable inflammatory responses 1 

and tissue reactions that are normally witnessed (Yaltirik et al., 2003). In a previous 2 

unpublished work, the authors proved the applicability of pure chitin sutures but identified the 3 

need to further improve their mechanical strength in order to enable suturing of areas that bear 4 

high loads and require significant tensile strength. As was seen in Section 2.2 on cellulose, 5 

there are two basic, yet effective, methods to improve the mechanical strength of biopolymers, 6 

namely crosslinking and the addition of nanofillers (Garavand et al., 2017; Jamróz et al., 2019). 7 

In the present study, Zhang et al., employed graphene oxide (GO) as nanofiller and 8 

epichlorohydrin as crosslinker, to obtain a novel, monofilament chitin surgical suture with 9 

admirable mechanical strength (Zhang et al., 2019).  10 

In the development of novel natural polymer-based suture materials, the selected crosslinker 11 

plays a pivotal role in not only the mechanical, but also the biological properties of the final 12 

suture product. Crosslinking is the process whereby different molecular chains of a polymer 13 

are joined through the formation of chemical bond, that can range from ionic interaction to 14 

hydrogen bonding, to form a stronger, more rigid three-dimensional polymer network 15 

(Garavand et al., 2017). In the case of suture fabrication, crosslinking allows the researcher 16 

to produce a thin, insoluble suture-like thread with substantial tensile strength, from a simple 17 

polymer solution. The type of crosslinker that can be used, depends of the functional groups 18 

present on the polymer itself, the desired mechanical properties, as well as biocompatibility, 19 

since many of the most effective crosslinkers are also cytotoxic (Chen et al., 2019).  20 

In the case of chitin, glutaraldehyde is one of the most well studied and widely used 21 

crosslinkers, due to its excellent ability to covalently crosslink chitosan and dramatically 22 

increase the tensile strength of the polymer network. Yet, strong covalent bonds may also lead 23 

to more brittle fibres that cannot tie effective knots, and is not necessarily the best option 24 

during suture fabrication (Beppu et al., 2007). Additionally, glutaraldehyde is highly toxic and 25 

will diminish the biocompatibility of the natural polymer-based suture. There are, however, 26 

several safer crosslinkers available, including genipin, ECH and heparin, that have received 27 

increasing attention in recent years due to their much greater biocompatibility than 28 

glutaraldehyde (Kildeeva et al., 2020; Liu et al., 2019). In the study presented here, sutures 29 

crosslinked with ECH, displayed good cell viability with values above 90%, indicating than 30 

ECH did not significantly affect the biocompatibility of the chitin sutures (Yu et al., 2021). 31 

Furthermore, ECH, in contrast with glutaraldehyde, has been shown to only react with the 32 

hydroxy groups of chitins, while preserving the cationic amine function. Consequently, not all 33 

of the available functional groups will be crosslinked by ECH, which could lead to better 34 

mechanical properties without excessive brittleness as was shown by Zhang et al., (Zhang et 35 

al., 2019).  36 
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With the impact of the manufacturing process on the tensile strength of suture materials in 1 

mind, the authors developed an innovative method of stretching the suture fibres (Figure 2.3), 2 

that allowed for better alignment of the chitin building blocks along the suture axis, and 3 

significantly improved its tensile strength (Wang et al., 2011; Zhang et al., 2019). This 4 

stretching method also resulted in a smoother suture surface with a smaller friction coefficient, 5 

that will allow the novel chitin sutures to easily penetrate tissues and drastically reduce the 6 

damage caused by insertion of the suture material (Viju & Thilagavathi, 2013). Moreover, this 7 

monofilament fabrication process, which is not often seen in polymeric sutures with a high 8 

tensile strength, decreases the risk of infection as the contact area between the suture and 9 

tissue fluid is limited (Geiger et al., 2005). The potential of the novel chitin-GO suture for clinical 10 

application was confirmed by in vivo and histological studies that revealed good 11 

biocompatibility, a lack of serious inflammatory responses and an improved wound healing 12 

effect (Zhang et al., 2019). 13 

 14 

Figure 2.3: Fabrication process of chitin-graphene oxide sutures. (A) Chitin gel spun into a 15 

coagulation bath; (B) suture solidification stretching and moulding; (C, D) stretched chitin and 16 

chitin-graphene oxide sutures in an elution bath, respectively; (E) chitin suture; (F) chitin-17 

graphene oxide suture. Reused with permission from (Zhang et al., 2019).  18 

In another recent study, Wu et al., reinforced regenerated chitin, named as such because of 19 

the dissolution and re-precipitation process it underwent, with nanocellulose (NC) to obtain a 20 

novel surgical suture material with good biocompatibility and mechanical performance (Wu et 21 

al., 2018). Instead of the standard crosslinking method, the authors set out to develop and 22 

optimize a wet spinning process, with well-defined parameters, that can offer an alternative 23 

route to producing chitin fibres that are able to meet the demands of suture materials. They 24 
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employed a custom-made apparatus, designed in their laboratory, to extrude a 5% (w/w) chitin 1 

solution through a commercial spinneret plate into a coagulation bath of 10% (v/v) aqueous 2 

sulfuric acid solution (Wu et al., 2016). The wet-spun fibres were then twisted together and 3 

coated with another chitin layer to further improve their mechanical performance and handling 4 

properties (Wu et al., 2018a).  5 

In an in vivo trial, based on a trusted BALB/c mouse model, the produced chitin-NC sutures, 6 

displayed good biocompatibility and a clear ability to improve wound healing. These properties 7 

were ascribed to the natural origin of the polymers and the bioactive properties of chitin, 8 

respectively. Additionally, an in vitro cytocompatibility essay revealed a higher cell density on 9 

the chitin-NC fibres compared to the control, while the cell morphologies remained the same 10 

for all conditions. The clear enhanced adhesion and proliferation of cells on the chitin-NC fibre, 11 

suggests that, as suture material, it will create an ideal environment for cell proliferation and 12 

play a role in the promotion of effective wound healing, as was confirmed by the in vivo animal 13 

trial. In terms of handling properties, the chitin-NC fibres showed a good balance between 14 

elasticity and tensile strength, making them fully appropriate for application as suture materials 15 

(Wu et al., 2018a). Nevertheless, certain factors need to be reviewed before a stage of clinical 16 

application is reached. Particular attention should be paid to the degradation profile and the 17 

reliability thereof, since consistent and controllable biodegradation of acylated chitin 18 

formulations can be troublesome (Kurita et al., 2000).   19 

On the other hand, there is currently a patent available that specifically provides a method of 20 

obtaining a chitin-based suture material with unparalleled and highly controlled degradability. 21 

The invention describes a suture that is fabricated from chitin, or a derivative thereof, and has 22 

a chitin degrading enzyme, such as chitinase derived from Pyrococcus furiosus, incorporated 23 

into the suture material (United States patent no. 13/442,002., 2012). The rate of 24 

biodegradation can then be precisely controlled by varying the enzyme type, quantity, 25 

concentration, activity, and the like, which allows for easier and more accurate control over 26 

the degradation profile than with conventional methods (Yang et al., 2007). According to the 27 

inventors, a suture can be obtained, that firstly maintains its tensile strength for the duration 28 

of the surgery and then undergoes gradual degradation that can be fashioned to suit any 29 

particular application (United States patent no. 13/442,002., 2012). An added benefit is that 30 

the suggested enzymes are highly heat-resistant and remain stable for long periods, even at 31 

extreme temperatures (70 ï 100 °C). This not only allows for high-temperature treatment 32 

during the suture manufacturing process, but also results in sutures with excellent long-term 33 

storage stability (Toharisman et al., 2005). Moreover, due to the chitin constituents of the 34 

suture material, the inventors suggest that properties such as an enhanced wound healing 35 
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and haemostatic effect, can be expected in addition to excellent biocompatibility in the newly 1 

invented chitin suture material (United States patent no.13/442,002., 2012).  2 

Yet, the study that most expertly portrays the benefits of employing chitin as a suture material, 3 

was undoubtedly published by Shao et al., who developed a novel mono-component, 4 

multifilament diacetyl chitin (DAC) suture, for the treatment of superficial skin wounds (Shao 5 

et al., 2016). To assess the feasibility of the produced DAC sutures, an extensive in vivo trial 6 

was conducted by employing a full thickness wound model with the popular and widely used 7 

Vicryl® Plus sutures as control. The DAC sutures had comparable mechanical properties to 8 

that of the synthetic suture, which meets the standard suture strength requirements, and 9 

managed to maintain a staggering 63% of its original strength at 14 days post-implantation 10 

(Gartti-Jardim et al., 2013). Particularly good handling properties, with ease of knot-tying, was 11 

noted for the DAC sutures and ascribed to the excellent pliability and modest swelling property 12 

of the DAC material. The histological evaluation revealed the expected pronounced 13 

inflammatory reaction towards Vicryl® Plus sutures, which again highlights the urgent need for 14 

absorbable sutures with improved biocompatibility, while the DAC suture elicited no 15 

remarkable tissue response (Shao et al., 2016).  16 

The most impressive results of the study, however, were seen during the analysis of the wound 17 

healing process. After only six days postoperatively, the linear wounds treated with DAC 18 

sutures had regained sufficient tensile strength to maintain their own shape and by day 13 the 19 

wound healing process was fully completed, compared to 20 days in the control (Figure 2.4). 20 

Additionally, the wound breaking strength of the DAC suture group, was significantly higher 21 

(p<0.05) than both the untreated group and the control group. Moreover, at two weeks the 22 

linear wound in the DAC suture group, was completely re-epithelized with epidermal cells fully 23 

differentiated, basal cells closely arranged and a small amount of sebaceous gland cells and 24 

hair follicle cells visible. The control group, also at two weeks, only displayed inflammatory 25 

cells with little evidence of wound healing. Still the authors delved deeper in an effort to 26 

understand the enhanced wound healing witnessed in the DAC suture group. They discovered 27 

a more orderly arrangement of collagen fibres which ran parallel to the epidermal layer of 28 

normal skin in the DAC suture group, while the collagen fibres of the control group ran 29 

perpendicular to the normal epidermal layer. This explains both the higher wound breaking 30 

strength and smoother appearance of the wounds treated with DAC sutures and was ascribed 31 

to the N-acetyl glucosamine (NAGA) content of the chitin sutures, and its ability to facilitate 32 

the orderly deposition of collagen. With right, the authors of this auspicious study concluded 33 

that the produced DAC suture has the potential to break the monopoly of synthetic polymer 34 

sutures in the wound closure market (Shao et al., 2016). 35 
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 1 

Figure 2.4: Representative images of the wound healing process after treatment with DAC 2 

suture (A) and the control Vicryl® Plus suture (B) during a 3-week observation period. Bars 3 

represent 5 mm. Reprinted with permission from (Shao et al., 2016).  4 

2.3.2 Chitosan from chitin as a potential biomaterial for surgical suture applications 5 

Previously, chitosan was mostly employed as a suture coating material and managed to 6 

improve various suture characteristics such as biocompatibility, capillarity, immunogenicity 7 

and handling properties, with great success (Viju & Thilagavathi, 2013).  More recently, 8 

chitosan coatings were employed to convey biological activity, such as antibacterial and 9 

haemostatic properties, to already established surgical sutures (Debbabi et al., 2017; Saxena 10 

et al., 2011; Zhang et al., 2020). Through these studies, the vast potential of chitosan as a 11 

possible raw material for suture fabrication, became evident and in the last few years, research 12 

on this subject has been on the increase (Mohammadi et al., 2020).  13 

In 2019, da Silva et al., developed an absorbable chitosan suture, enriched with N-acetyl-D-14 

Glucosamine (GlcNAc), a component of its own biodegradation (da Silva et al., 2019). GlcNAc 15 

is an essential component of the epithelium and has been found to stimulate fibroblast 16 

proliferation, collagen synthesis and hyaluronic acid production in wounds, promoting quick 17 

repair and preventing complications related to the process of tissue restoration (Bissett, 2006; 18 
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Ueno, 2001). This ability of GlcNAc to improve the wound healing process, as well as its 1 

similarity to chitosan which will ensure its proper incorporation into the suture formulation, was 2 

the basis for its selection as an added bioactive molecule (da Silva et al., 2019).   3 

The novel chitosan-GlcNAc fibres showed promising results in terms of mechanical 4 

performance, handling properties and drug release, signifying that the produced fibres could 5 

function as surgical sutures with combined mechanical and therapeutic activity. The authors 6 

did a thorough analysis of the mechanical performance of the developed chitosan sutures and 7 

studied both the straight and knotted tensile strength under dry and wet conditions, as can be 8 

seen in Table 2. The addition of GlcNAc to the chitosan formulation, decreased its tensile 9 

strength, which still remained high and exceeded the mean values indicated in the USP, under 10 

both wet and dry conditions. The elasticity and percentage elongation at break (also shown in 11 

Table 2) of the chitosan-GlcNAc sutures were near ideal. The values indicated high pliability 12 

of the suture material and suggested that under wet in vivo conditions the material will be able 13 

to stretch as the wound swells and then regain its original shape and length as the wound 14 

retracts when the swelling subsides. This high pliability also conveyed good handling 15 

characteristics and knot security to the chitosan-GlcNAc sutures (da Silva et al., 2019).  16 

Table 2.3: Mechanical properties of the chitosan (CS) and the chitosan-N-acetyl-D-17 

Glucosamine (GlcNAc) sutures ï non-knotted and knotted ï tested in dry and wet conditions. 18 

Reused with permission from (da Silva et al., 2019).  19 

Filament type Sample Breaking 
strength 

(N) 

Elongation 
at break 

(%) 

Young 
Modulus 

(MPa) 

Stress at 
Break 
(MPa) 

Non-knotted CS Dry 4.3 ± 0.5 8.9 ± 1.1 25.2 ± 0.1 261.0 ± 25.1 

CS Wet 2.9 ± 0.5 15.9 ± 5.3 6.2 ± 0.3 170.9 ± 29.8 

CS/GlcNAc Dry 3.4 ± 0.7 8.6 ± 1.0 21.7 ± 2.0 181.9 ± 71.5 

CS/GlcNAc Wet 2.8 ± 0.8 17.2 ± 3.9 7.2 ± 0.2 159.4 ± 39.0 

Knotted CS Dry 2.4 ± 0.5 10.5 ± 4.3 17.8 ± 0.2 127.1 ± 32.8 

CS Wet 2.7 ± 0.7 11.4 ± 2.8 1.2 ± 0.3 104.4 ± 22.3 

CS/GlcNAc Dry 1.9 ± 0.2 9.2 ± 2.6 9.1 ± 0.2 95.4 ± 26.1 

CS/GlcNAc Wet 1.8 ± 0.7 16.6 ± 5.4 4.8 ± 1.4 88.3 ± 51.1 

In addition to these favourable mechanical properties and handling characteristics, the suture 20 

fibres also displayed commendable topographical surface properties. Scanning electron 21 

microscopy (SEM) images of the chitosan-GlcNAc sutures revealed a remarkably smooth, 22 

compact, and homogenous morphology that can be ascribed to the expert incorporation of 23 
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GlcNAc into the chitosan solution. It was believed that GlcNAc was immobilized by a 1 

combination of covalent, ionic and hydrogen bondages within the suture formulation which 2 

was corroborated by X-ray diffraction (XRD) results. This expansive combination of bonding 3 

interactions was speculated to, not only contribute to the appreciable mechanical properties 4 

of the suture material, but also to the valuable drug release profile thereof (da Silva et al., 5 

2019). 6 

Analysis of the drug release kinetics revealed a linear relationship that is dosage independent 7 

and highly desirable in any sustained release formulation, as it will prevent oscillating drug 8 

concentrations (Dash et al., 2010). In combination with the biodegradation study, it was 9 

concluded that drug release was controlled, simply through the diffusion and surface erosion 10 

that transpired in the novel chitosan-GlcNAc suture material. Hence, the distinctive 11 

degradation profile of this characteristically dense suture material, ensured that it can function 12 

as a sustainable drug delivery platform whereby constant drug levels, within the desired 13 

therapeutic range, can be maintained for an extended period of time (da Silva et al., 2019). 14 

The novel chitosan-GlcNAc suture, therefore, signifies a momentous breakthrough, not only 15 

in terms of new suture materials based on natural polymers, but also as a potential localized 16 

drug delivery platform that can possibly enhance the wound healing process.  17 

The true worth of the study discussed above can be seen by comparing the results with those 18 

of another study where Cruz et al., set out to develop a novel chitosan suture material, that 19 

would hopefully further the approximation of an ideal suture (Cruz et al., 2016). They 20 

investigated two variables, namely polymer concentration and solvent type, in a hope to find 21 

suitable parameters for the production of chitosan sutures. Even though they could clearly 22 

identify the influence of different solvents and polymer concentrations on the final suture 23 

properties, none of the parameters yielded a suture formulation with sufficient tensile strength 24 

to meet the minimum requirements specified in the USP (Geiger et al., 2005). The produced 25 

fibres varied significantly in terms of fibre dimension, density, and tendency to swell, which 26 

was ascribed to the different steric effects of the various acidic solvents that were employed. 27 

It was found that denser fibres tend to have higher mechanical properties and lesser tendency 28 

to swell, which correlates with the above study where the characteristically dense suture that 29 

was produced, displayed admirable mechanical strength that exceeded the USP requirements 30 

(da Silva et al., 2019). Nonetheless, Cruz et al., concluded that the fibres produced in their 31 

study showed good potential for application as suture materials (Cruz et al., 2016). 32 

It is worth noting that at the end of 2017 a patent, titled óChitosan fibreô, was publish wherein 33 

the preferred application of the fibre is as a surgical suture. The invention addresses the issue 34 

of high swelling ratios in chitosan fibres by providing a new method of manufacturing chitosan 35 
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fibres with ón maximum swelling ratio of 100%, deeming them useful as suture materials 1 

(United States patent no. 9,771,668, 2017). This corresponds with the previous study where 2 

the high swelling tendencies of chitosan fibres resulted in low densities and poor mechanical 3 

properties, which impeded their performance as new suture materials (Cruz et al., 2016). The 4 

patent application specified several advantages of the moderate swelling properties of the 5 

invented chitosan fibres. This included the ability to support suture channels and close them 6 

to prevent bleeding in certain applications (e.g., vascular anastomosis), maintenance of 7 

sufficient mechanical strength even when swollen, and the prevention of unwanted tissue 8 

compression that can be caused by excessive fibre swelling. Additionally, the inventors 9 

provide an interesting method of removing the chitosan fibres from the body, namely through 10 

the partial dissolution of the fibre with a solvent applied from outside the body (ex vivo). The 11 

different exemplary embodiments of the invention displayed good mechanical properties in 12 

the range of 7.0 ï 16.9 N which meets the USP requirement for suture tensile strength (United 13 

States patent no. 9,771,668, 2017). 14 

Recently, da Silva et al., published yet another research paper on the development of 15 

monofilament and multifilament chitosan fibres through a wet spinning process, for potential 16 

application as suture materials (Costa Da Silva et al., 2020). The chitosan fibres were 17 

exclusively evaluated for their morphology and breaking strength to determine if the fibres 18 

comply with USP standards and have potential for use as surgical sutures. Optical microscopy 19 

(OM) images showed that the monofilament chitosan fibres were smooth, compact, and 20 

cylindrical with no surface porosity, while the multifilament fibres were not as smooth and 21 

showed clear undulations and grooves, probably due to the braiding and twisting process. Yet, 22 

the OM images revealed that both the mono- and multifilament fibres have a relatively smooth 23 

and dense area and that the two monofilaments that make up the multifilament fibre, 24 

maintained their original morphological characteristics, as shown in Figure 2.5. The smooth 25 

morphology of the fibres suggest that they will carry a low infection risk, cause minimal tissue 26 

damage and display uniform distribution of force along the fibre, which will all be beneficial to 27 

their application as a suture material (Im et al., 2007; Lapointe et al., 2015). 28 
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 1 

Figure 2.5: Optical microscopy images of a) monofilament and b) multifilament chitosan fibres. 2 

Adapted with permission from (Costa Da Silva et al., 2020).  3 

The mechanical properties of the chitosan fibres were evaluated in terms of breaking strength, 4 

in the straight and knotted configuration, and were dramatically different for the mono- and 5 

multifilament fibres. The monofilament chitosan fibres had an average diameter of 0.137 mm, 6 

which corresponds with a 6-0 suture size, and requires a minimum breaking strength of 1.77N 7 

according to the USP (Tensile Strength. United States Pharmacopeia and National Formulary 8 

(USP 29-NF 24).). The multifilament chitosan fibres, were nearly double that size (0.239 mm), 9 

which was expected since the multifilament fibres consisted of two monofilament fibres that 10 

are braided together, and corresponded with a 4-0 suture size with a minimum breaking 11 

strength of 7.5 N. Surprisingly, the monofilament chitosan fibres far exceeded the standard 12 

breaking strength in the straight configuration and showed an average of 3.0 ± 0.2 N, while 13 

the multifilament fibres, which were expected to be dramatically stronger, only exceeded the 14 

standard value by 0.4 N with an average breaking strength of 7.9 ± 0.1 N. In the knotted 15 

configuration, the monofilament chitosan fibres still adhered to the Pharmacopoeia 16 

specifications with an average breaking strength of 2 ± 0.8 N, while the multifilament fibres fell 17 

short, with an average of only 4.3 ± 0.8 N compared to the required 7.5 N. According to the 18 

authors, the knot made the multifilament fibres brittle to breakage which is not ideal for surgical 19 

sutures (Costa Da Silva et al., 2020). This displays a valuable truth namely, that multifilament 20 

fibres may appear stronger upon initial inspection but may not necessarily perform best under 21 

surgical conditions. The authors concluded that the newly developed monofilament chitosan 22 

sutures, displayed great potential for application as surgical suture materials.   23 

It is safe to say that chitin and chitosan have already extended the frontiers of surgical sutures 24 

by providing viable options for localized drug delivery while simultaneously offering inherent 25 

bioactivity. These natural polymers have the exact properties needed to formulate advanced 26 

suture materials that can address the current issues of acute and chronic inflammatory 27 

responses, poor wound healing strength, scar formation, wound dehiscence etc. that are 28 
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experienced with the synthetic sutures on the market today. There are, however, certain 1 

downfalls such as harsh acidic dissolution conditions and high fibre swelling properties that 2 

require a substantial amount of attention. Yet, the studies discussed here give a clear 3 

indication that these hurdles can be overcome and potentially open up a way to the ideal 4 

suture material.  5 

2.4 Alginate and its derivatives 6 

The third natural polymer, that stands out as a viable option for the fabrication of novel suture 7 

materials, with expert biocompatibility and potential bioactivity, is alginate (Brinsko, 2010). 8 

Marine brown algae are the main source of alginate, which is a linear polysaccharide 9 

consisting of two different monomeric units namely ɓ-D-mannuronic acid (M blocks) and Ŭ-L-10 

guluronic acid (G blocks). The composition and sequence of M and G blocks in alginate, 11 

depend on the growth conditions and type of seaweed that the polymer was derived from 12 

(Radhakrishnan, 2014). This M/G ratio has a profound influence on the chemical and physical 13 

behaviour of alginate and creates a unique avenue for manipulating certain properties such 14 

as the stiffness and swelling capacity (Rinaudo, 2006). To date, alginate has been investigated 15 

for various pharmaceutical applications, including controlled drug delivery, tissue engineering 16 

and wound management (Sun & Tan, 2013; Tamayol et al., 2015; Wanawananon et al., 2016). 17 

Yet, as a result of the valuable inherent biocompatibility, biodegradability, non-toxicity and 18 

related properties of alginate, researchers are still searching for new ways to extend its field 19 

of application (Niekraszewicz & Niekraszewicz, 2009). 20 

As with cellulose and chitin, alginate can be found in various forms. During the extraction 21 

process, alginate is primarily obtained in the form of alginic acid which can be converted to 22 

various salt forms such as calcium, magnesium and sodium alginate derivatives (Paul & 23 

Sharma, 2015). Amongst these, sodium alginate is the only form that is soluble in water, 24 

making it, not only the most established derivative, but also the one with the greatest clinical 25 

relevance (Wang et al., 2010). Alginate is characteristically described by properties such as 26 

hydrophilicity, ease of gelation, high swelling, and water absorption capacity, as well as ion 27 

exchanging abilities that donates reversable solubility to the polymer. These properties that 28 

have made alginate one of the most important materials in wound management and an 29 

indispensable component of modern wound dressings (Varaprasad et al., 2020).  30 

Clinical studies have found that alginate wound dressings can promote wound healing and 31 

wound closure to ensue smaller fibrotic lesions with better aesthetic appearances than 32 

traditional materials (e.g. cotton and viscose fibres) (Alamgir, 2017; Kazi & Yamamoto, 2019; 33 

Zhou et al., 2018). This significant ability of alginate can also be of great value in surgical 34 

suture applications where rapid wound closure, with proper wound healing and little scar 35 
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formation is viewed as the ideal treatment outcome (Al-Mubarak & Al-Haddab, 2013). It is 1 

believed that alginate promotes wound healing by stimulating macrophage and other 2 

proinflammatory mediators to initiate the wound healing process. Therefore, when applied to 3 

chronic wounds, alginate immediately sets the wound healing process into motion and 4 

improves the treatment of difficult-to-heal wounds such as pressure sores and leg ulcers 5 

(Chang et al., 2012). Additionally, in vitro studies and wound scratch assays revealed that 6 

alginates can facilitate cell movement and create the ideal microenvironment for cell 7 

proliferation that will further aid the wound healing process (Costa-Almeida et al., 2018; Kazi 8 

& Yamamoto, 2019).  9 

Moreover, the adhesive nature of alginate fibres plays a significant role in closing the wound 10 

and sealing it off to prevent the invasion of unwanted foreign bodies, which can have a 11 

favourable effect on the final outcome of wound healing (Hong et al., 2018). These exceptional 12 

abilities of alginate, together with its remarkable biosorption that is a result of its hydrophilic 13 

and porous nature, make this unmatched natural polymer an interesting option for the 14 

development of advanced absorbable suture materials with inherent bioactivity 15 

(Niekraszewicz & Niekraszewicz, 2009). Yet, very few researchers have investigated the 16 

potential of alginate as a suture material. This could be because of the relatively low 17 

mechanical strength of alginate fibres and other formulation factors that make the production 18 

of alginate-based suture materials a challenging endeavour (He et al., 2012; Lee et al., 2009). 19 

Nonetheless, several intriguing studies with unique approaches to suture development 20 

through the use of alginate, have recently made it to the forefront of material sciences. 21 

2.4.1 Advancements in the use of alginate to develop novel suture materials 22 

To find inspiration for the production of strong, biocompatible fibres that can be used as suture 23 

materials, Zhang et al., looked to some of the high-performance biomaterials, such as spider 24 

and silkworm fibres, found in nature (Zhang et al., 2020). They ascribed the exceptional 25 

mechanical properties and sophisticated functionalities of these fibres, to the structural 26 

proteins with characteristic hierarchical structures such as Ŭ-helix or ɓ-sheets, within the fibres 27 

(Chen et al., 2019). Based on these observations, Zhang et al., developed a series of protein 28 

reinforced fibres and tested the most promising material, which consisted of alginate and 29 

bovine serum albumin (BSA) in a 9:1 ratio, for its potential application as a suture material. 30 

They engineered a facile microfluidic strategy that allows for easy, scalable construction of 31 

biological fibres whilst preserving the hierarchical structure of the proteins (Zhang et al., 2020). 32 

This new method produced fibres with surprisingly high mechanical strength that outperformed 33 

many of the existing artificial protein fibres, including those made from recombinant spider or 34 

silkworm silks (Li et al., 2020; Zhang, et al., 2020).  35 
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By employing alginate as a base polymer and reinforcing it with BSA, which demonstrated 1 

astonishing breaking strength and toughness, the authors successfully produced fibres that 2 

could be used for surgical suture applications (Figure 2.6 A). The alginate/BSA composite fibre 3 

displayed outstanding mechanical properties with a high breaking strength of å420 MPa and 4 

a Youngôs modulus of å 10 GPa, which exceeds that of human recombinant collagen fibres 5 

(Figure 2.6 B). The authors investigated the cytocompatibility of the novel fibres and found 6 

that adeno-carcinomic human alveolar basal epithelial cells (A549) anchor and spread over 7 

the smooth alginate/BSA composite fibres (Figure 2.6 C), which points to good and acceptable 8 

cytocompatibility. Additionally, the produced alginate/BSA composite fibres were used in 9 

various wound closure experiments that included rat, minipig and porcine skin, liver, and 10 

stomach models, to illustrate their applicability as suture materials. The alginate/BSA 11 

composite fibres were able to close all the wound incisions without breakage and displayed 12 

admirable mechanical strength and flexibility. Overall, the results indicated that the novel 13 

alginate/BSA composite fibres can be considered as good candidates for new absorbable 14 

suture materials due to their robust mechanical performance and good biocompatibility (Zhang 15 

et al., 2020).  16 

 17 

Figure 2.6: A) Photo of the alginate/BSA composite fibres. Scale bar: 3 cm. B) Stress-strain 18 

curves of alginate/BSA composite fibres. The curves with different colours represent three 19 

parallel tensile tests. C) Confocal microscopy image of the alginate/BSA composite fibres co-20 

cultured with adeno-carcinomic human alveolar basal epithelial cells (A549). Scale bar: 20 21 

µm. A549 cells are stained with calcein-AM (green)/PI (red) in phosphate buffered saline 22 

solution. Adapted with permission from (Zhang et al., 2020).  23 

This expert research article, published early 2020, demonstrates that with innovative thinking 24 

and advanced manufacturing strategies, it is possible to create new alginate-based fibres that 25 

are capable of suturing and closing wounds. Another interesting approach is given by a very 26 

recent patent that describes a unique method of producing multifilament sutures, with 27 

enhanced braid strength, through click chemistry (United States patent no. 10,196,762 5, 28 

2019). The disclosed suture fibres consist of at least two distinct filaments, each with a polymer 29 
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core and a reactive group, known to have click reactivity, on its surface. The two reactive 1 

groups are complementary such that they react to covalently bond the two filaments together. 2 

Alginic acid is one of the suitable natural, biodegradable polymers that can be pre-3 

functionalized and used to prepare the polymer core of the disclosed fibres. Click chemistry 4 

reactions include Huisgen cycloaddition, Diels-Alder, thiol-alkene and maleimide-thiol 5 

reactions, some of which take place in aqueous environments, such as physiological fluids, 6 

that can lead to in situ strengthening of sutures as the braided filaments are covalently bonded 7 

upon implantation (Escorihuela et al., 2015). Alginate gels, consisting of sodium and calcium 8 

alginate, can also be used to coat the disclosed suture fibres through one of several known 9 

methods such as dipping, spraying, and full immersion, to enhance the surface properties of 10 

the suture material. This patent reveals one of the many undiscovered methods that can be 11 

used to employ alginate as a suture material and thereby obtain novel suture fibres with 12 

enhanced mechanical properties (United States patent no. 10,196,762 5, 2019). 13 

Khan et al., studied yet another technique of surface modification that can lead to improved 14 

mechanical strength in alginate fibres and render them suitable for suture applications (Md. 15 

Khan et al., 2013). As opposed to the plasma treatment suggested in the patent discussed 16 

above, Khan et al., employed a ɔ-irradiation technique, which is both environmentally friendly 17 

and economically viable, to graft polyethylene glycol (PEG) onto the surface of calcium 18 

alginate fibres, to improve the physio-mechanical properties thereof (Khan et al., 2013). The 19 

process of ɔ-irradiation holds several unique advantageous, such as the ability to enhance the 20 

antimicrobial activity of calcium alginate, that make it highly suitable for this application (Kume 21 

et al., 2002). PEG, on the other hand, also has a range of benefits including, promoting the 22 

proliferation of cells, enhancing the elasticity of a system and increasing the stability thereof, 23 

that can prove valuable for alginate-based suture formulations (Dôsouza & Shegokar, 2016).  24 

Through a detailed optimization process, the authors found that grafting conditions of 2.5 kGy 25 

irradiation with 50% PEG, yielded fibres with the highest tensile strength, which was three 26 

times that of pristine calcium alginate fibres. The addition of PEG significantly improved the 27 

elasticity and percentage elongation at break of the fibres which increases their potential for 28 

application as a novel suture material. Importantly, the ɔ-irradiation process decreased the 29 

water absorption ability of the calcium alginate fibres, which is normally too high for suture 30 

applications. This resulted in better interaction of the fibres with simulated body fluids and 31 

confirms their potential for biomedical applications such as surgical sutures (Khan et al., 2013).   32 

It should be noted that in all the discussed studies, the interchangeability of alginate which 33 

allows it to be easily converted from either alginic acid or sodium alginate to insoluble calcium 34 

alginate, was employed (Fu et al., 2011). This process of crosslinking allows for immediate 35 
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fibre formation and adjustable mechanical strength in the produced fibre (Chen et al., 2001). 1 

The convenient interchangeability of alginate was, therefore, embraced and then combined 2 

with different approaches to enhance the mechanical strength thereof, and ultimately obtain a 3 

fibre with suitable characteristics for use as a suture material. The recent nature of these 4 

publications suggest that we have only scratched the surface of alginateôs potential as a novel 5 

suture material and that more work is needed to fully uncover the possibilities and 6 

breakthroughs that this valuable natural polymer can offer (Khan et al., 2013; Thomas, 2019; 7 

Zhang et al., 2020). On this account, the current research project is focussed on finding a new 8 

way to fully utilize alginate as an absorbable, monofilament suture material with added 9 

bioactivity and enhanced biocompatibility that will serve to extend the frontiers of suture 10 

material sciences (de la Harpe et al., in press). 11 

2.5 Potential impact and future prospects 12 

Sutures made from natural polymers, can help to overcome some of the most crippling 13 

complications and troubling problems experienced with the synthetic sutures that are currently 14 

available (Kulkarni et al., 2012). The three areas of suture performance, that can be profoundly 15 

impacted by the development of novel, high quality natural polymer sutures, are suture safety, 16 

suture degradation and suture efficiency (Figure 2.7). Improvement of these three areas will 17 

serve to firstly, change the general performance of suture materials available on the market 18 

today, while secondly, decreasing the rate of suture related complications and lastly, 19 

potentially close the gap to the ideal suture material (Chen et al., 2017; Dennis et al., 2016; 20 

Seitz et al., 2015). 21 

 22 

Figure 2.7: The different areas of suture performance that can be impacted by the 23 

development of novel sutures made from natural carbohydrate polymers.  24 
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The ability of natural polymer sutures to improve suture safety, lies in their characteristically 1 

high biocompatibility and harmless degradation products. In fact, the primary reason why 2 

natural polymers have attracted such a great amount of attention, particularly in the fields of 3 

wound healing and drug delivery, is their high level of safety and excellent biocompatibility  4 

(Malafaya et al., 2007; Shi et al., 2016). The monomeric subunits of natural polymers closely 5 

resemble macromolecules that are normally recognized by, and found in the human body 6 

(Mogoĸanu & Grumezescu, 2014). Because of this similarity, sutures made of natural 7 

polymers, do not elicit the same degree of inflammatory and immunological reactions as 8 

synthetic sutures, which are undeniably foreign to the body (Mohammadi et al., 2020). 9 

Additionally, the degradation products of synthetic sutures can be harmful, as they often cause 10 

local pH shifts and enlarged inflammatory responses, which have been found to prolong and 11 

even prevent wound healing (Washington et al., 2018). The degradation products of natural 12 

polymers on the other hand, are harmless to the extent that they can be further used by the 13 

body for the production of other macromolecules, or effortlessly eliminated through renal 14 

clearance (Asghari et al., 2017).  15 

Natural polymer sutures, can also help to improve the safety of suture materials by overcoming 16 

common suture problems like knot slippage, suture breakage and excessive wound tension. 17 

Various synthetic suture materials are notorious for their poor handling properties, which 18 

makes it difficult for the surgeon to tie a proper knot at the appropriate tension, without the 19 

suture breaking or the knot slipping (Avoine et al., 2016). Some of these synthetic suture 20 

materials, for example Ethibond polyester sutures, despite having a multifilament nature that 21 

is supposed to ensue good knot security, are highly prone to knot slippage.  This often leads 22 

to the spontaneous unravelling of knots and increases the risk of complications like infection 23 

and wound dehiscence (Smith et al., 2013). Other synthetic sutures, especially nonabsorbable 24 

sutures and those made of metallic alloys, are extremely rigid and even though they possess 25 

favourable and excellent mechanical strength, can cause unwanted high levels of intrinsic 26 

tension in the wound which often leads to ischemic necrosis (Duarah et al., 2018; Lendlein & 27 

Langer, 2002).  28 

On the other hand, suture fibres made of natural polymers display an impressive balance 29 

between tensile strength and elasticity which allows them to expand and contract as the wound 30 

swells and recoils. This adaptability also prevents unnecessary tension at the wound site and 31 

creates an environment suitable for wound healing (Song et al., 2018). The characteristically 32 

porous nature of natural polymer sutures and their high pliability also conveys good knot 33 

security to these materials which will ensure that the wound stays closed, and infection risks 34 

low (Mogoĸanu & Grumezescu, 2014). Thus, the excellent properties and unique abilities of 35 
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sutures consisting of natural polymers like cellulose, chitin and alginate, covey first-rate safety 1 

profiles to these materials which far transcends that of current commercial suture materials.  2 

The degradation profile of synthetic suture materials, which is vastly unsatisfactory in the 3 

majority of cases, can also readily be improved on through the development of suture 4 

materials from natural polymers (Abhari et al., 2017). One of the key characteristics of the 5 

ideal suture material, is that it should degrade in a predictable manner and preferably lose its 6 

tensile strength at the same rate that the tissue regains strength (Samadian et al., 2020). Yet, 7 

synthetic suture materials degrade by means of swelling and bulk erosion which leads to a 8 

rapid loss of tensile strength and irregular, unpredictable degradation rates (Seitz et al., 2015). 9 

The early and unexpected loss of tensile strength of degradable synthetic sutures, is a major 10 

concern of many surgeons who have witnessed first-hand the detrimental effects of such 11 

undesirable suture behaviour (Campbell et al., 2014). Sutures made of natural polymers, 12 

however, have been found to degrade through surface erosion, which leads to a gradual loss 13 

in tensile strength and more predictable degradation profiles (Pitt & Schindler, 2019). 14 

Additionally, the degradation rate of natural polymer sutures, can easily be controlled through 15 

the variation of simple factors such as the degree of crosslinking and polymer composition 16 

(Wu et al., 2018a). Through the use of natural polymers, scientist can, therefore, develop 17 

suture materials that degrade at the same rate as which the wound heals, to ensure that 18 

adequate mechanical support is provided for the duration of the wound healing process 19 

(Chiaoprakobkij et al., 2019).  20 

Another problem, often encountered with synthetic suture materials, is that they swiftly 21 

degrade in the harsh basic conditions of the infected urinary track, bile conducts or pancreatic 22 

juice released in the duodenum (Tomihata et al., 2001). This is especially problematic in the 23 

case of urinary surgery where permanent sutures cannot be used as their presence induces 24 

the formation of urinary calculi (Wang et al., 2019). Sutures, made of natural polymers like 25 

chitin for example, which has an inherently basic nature and is therefore stable in conditions 26 

with high pH levels, can help address this problem by providing surgeons with durable suture 27 

materials that will slowly degrade, even under challenging basic conditions (Shahidi & 28 

Abuzaytoun, 2005). Natural polymers can therefore provide surgeons with valuable, reliable 29 

suture materials that undergo predictable degradation irrespective of the physiological 30 

conditions in which they are used (Mohammadi et al., 2020).   31 

When it comes to the efficacy of suture materials, various factors including the ability of the 32 

material to close the wound and to create an environment suitable for wound healing, play a 33 

role (Selvi et al., in press). The first factor, depends largely on the tensile properties of the 34 

polymer used, while the latter can be achieved through the incorporation of appropriate APIs 35 



 
35 

into the suture formulation or, in the case of natural polymers, through the utilization of their 1 

inherent wound healing properties (Lee et al., 2017). Since all suture materials inevitably 2 

cause some form of damage upon insertion, induce a measure of inflammation and hold a risk 3 

of infection, albeit at different degrees, the only way to overcome these complications is 4 

through bioactivity (Somasekharan et al., 2020; Tajirian & Goldberg, 2010). Natural polymers 5 

have an advantage in this area, as they already have inherent bioactive properties such as 6 

antimicrobial and accelerated wound healing effects (TorresȤGiner & PérezȤMasiá, 2016). 7 

Natural polymers, with their reliable degradation profiles and low temperature preparation 8 

methods, also allow for the effective incorporation and sustained delivery of various APIs, such 9 

as anaesthetics that can help reduce the pain experienced by patients, or antineoplastic 10 

agents that can help improve the aesthetic appearance of the recovered wound, which is of 11 

particular interest in cosmetic surgery (Guambo et al., 2020; Lee et al., 2017). 12 

Additionally, the structural properties of natural polymers closely resemble the native 13 

extracellular matrix (ECM) and can create the ideal environment for wound healing by allowing 14 

the diffusion of nutrients, metabolites and growth factors, while providing the optimal 15 

microenvironment for cell proliferation, migration and differentiation (Ghorbani et al., 2020). 16 

Hence, natural polymers play a major role in the field of tissue regeneration and can potentially 17 

be used to transform suture materials into tissue engineering platforms (Guyette et al., 2013). 18 

The cellulose based sutures produced by Mertaniemi et al., for example, effectively supported 19 

the adherence, migration and proliferation of human adipose mesenchymal stem cells, and 20 

could successfully deliver these stem cells to an injured area of the body, thereby creating a 21 

new, exciting avenue for tissue regeneration. Cell seeding has the potential to significantly 22 

improve suture efficiency, especially in cases such as Achilles tendon ruptures, where blood 23 

perfusion is low, and the body is unable to repair the wound without external support (Yao et 24 

al., 2008). Ultimately, the efficiency of a suture material, is measured by the success of the 25 

surgical procedure for which it was employed. The inherent bioactivity of natural polymer 26 

sutures and the addition of APIs, growth factors, cells and the like, to natural polymer sutures, 27 

can potentially lead to a 100% success rate of the procedures they were used in, thereby also 28 

conveying full efficacy to the suture materials (Gierek et al., 2018). However, this will require 29 

great specificity in terms of the particular application of each developed suture material. In 30 

fact, in terms of the future prospects of suture materials, we suspect that an ideal suture 31 

material, for every unique application, is on the horizon.  32 

Given the wide range of applications for which suture materials are indicated, from basic skin 33 

lacerations to intricate microvascular anastomosis, it is highly unlikely that one suture material 34 

can be ideal for all suture requiring operations (TanasŁ & ZŁnoagŁ, 2011; Teo et al., 2021). 35 

We, therefore, envisage that researchers and material scientist will soon start to develop 36 
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suture materials with singular applications, beginning with procedures that are troubled by 1 

high rates of complications. For example, sutures indicated for microvascular surgery (MVS) 2 

applications can be loaded with anti-inflammatory agents to help lower the incidence of 3 

detrimental ischemic reperfusion injury, during MVS (Askari et al., 2006; Caiazzo et al., 2020). 4 

Additionally, such sutures might be developed to have mechanical properties similar to that of 5 

the micro-vessels, which might be lower that the tensile strength mandated by the USP but 6 

more suitable for this particular application (Klemm et al., 2001; ¥zkan & ¥zgentaĸ, 2005). In 7 

this way, natural polymers might not lead to a single ideal suture material but pave the way to 8 

a variety of suture materials that are ideal for their particular application.  9 

2.6 Conclusion 10 

Undeniably, the field of suture material sciences is moving in the direction of employing 11 

natural, and often carbohydrate-based, polymers to develop innovative suture materials with 12 

improved biocompatibility and efficacy (Deng & Qasim, 2021). This comes after thousands of 13 

years of customary suture usage and experimentation with a myriad of materials that have all 14 

failed to fulfil the high demands of an ideal suture material (Rengasamy & Ghosh, 2010).  We 15 

are now at a stage where the downfalls and shortcomings of current, synthetic degradable 16 

sutures, such as localized pH shifts, high levels of inflammation and debilitating cellular 17 

necrosis, can no longer be ignored but warrant urgent attention (Gabrielli et al., 2001; Teo et 18 

al., 2021). Additionally, biomedical sciences and surgical procedures have advanced to such 19 

a level that there is no longer room for suture materials with the singular function of tissue 20 

approximation. Rather there is an imperative need for a dynamic approach where suture 21 

materials can actively participate in the wound healing process and increase the chances of a 22 

successful surgical outcome (Alshomer et al., 2017). Hence, researchers are now looking 23 

towards natural polymers with suitable properties such as good biocompatibility, high 24 

mechanical strength, safe degradation products and inherent bioactivity to develop novel 25 

suture materials (Islam et al., 2017). Despite the favourable properties of natural polymers, 26 

innovative techniques and manufacturing processes are necessary to obtain fibres that are 27 

suitable for suture material applications. In recent years, several researchers have made 28 

profound breakthroughs in terms of suture material development through the use of natural 29 

polymers such as cellulose, chitin and alginate, the most successful of which is shown in Table 30 

2.4 (Halib et al., 2017; Zhang et al., 2020).  31 

The novel natural polymer-based suture materials, shown in Table 2.4, have the potential to 32 

change, not only the outcome of the numerous procedures in which sutures are employed, 33 

but also the general approach to the treatment of difficult conditions such as chronic, non-34 

healing wounds (Mertaniemi et al., 2016). There are three areas of suture performance that 35 

can be dramatically impacted by the development of innovative natural polymer-based sutures 36 



 
37 

namely, suture safety, suture degradation and suture efficacy. The characteristically high 1 

biocompatibility and harmless degradation products of natural polymers elicit a notably lower 2 

inflammatory response in the body than synthetic polymers, which results in an unquestionably 3 

superior safety profile for natural polymer-based sutures (Pillai & Sharma, 2010; Seitz et al., 4 

2015). As was seen throughout this review, natural polymers allow for tuneable degradation 5 

that can readily be adapted to synchronize with the rate of wound healing to ensure that 6 

adequate mechanical support is provided for the duration of the wound healing process (Pitt 7 

& Schindler, 2019). In this manner, sutures made of natural polymers can improve on the 8 

degradation profile of synthetic sutures which are prone to rapid and unpredictable 9 

degradation in vivo (Campbell et al., 2014). Yet, the greatest benefit of natural polymer sutures 10 

can arguably be their ability to improve suture efficacy through their inherent bioactivity or their 11 

capacity for sustained, local drug delivery (Lee et al., 2017). The efficacy of suture materials 12 

is ultimately measured by the success of the surgical procedures in which they are used. The 13 

outcome of several procedures, including those riddled with complications such as infection 14 

and chronic inflammation, can be dramatically improved through the localized delivery of APIs 15 

via suture materials or by exploiting the inherent bioactive properties (e.g. antimicrobial, anti-16 

inflammatory and accelerated wound healing effects) of natural carbohydrate polymers, 17 

thereby also improving the efficacy of the suture material itself (Arora et al., 2019; Lee et al., 18 

2017).   19 

In terms of future prospects, we propose that instead of finding one ideal suture material that 20 

that fits all occasions, natural polymers will pave the way towards a more diverse range of 21 

suture materials, each with a singular or more focused field of application. In this manner, 22 

suture materials can be designed to meet the highly specialized requirements of modern 23 

surgical procedures, while simultaneously meeting the basic requirements of any absorbable 24 

suture material, i.e., sufficient mechanical strength, reliable biodegradation, and biosafety.  25 

(De la Harpe, K.M., Kondiah, P.P., Marimuthu, T. and Choonara, Y.E., 2021. Advances in 26 

carbohydrate-based polymers for the design of suture materials: A review. Carbohydrate 27 

Polymers, p.117860.)28 
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Table 2.4: The processing methods and physiochemical properties of the most successful carbohydrate-based suture materials, discussed in 

this article.  

Suture 

material 

Processing 

methods 

Reinforcing 

agent 

Crosslinker Filament USP 

size 

Tensile 

strength 

(MPa) 

Biocompatibility Reference 

Cellulose 

fibres from 

sisal plant 

Standard 

chemical 

extraction and 

lyophilization 

None None Monofilament 3-0 138.84  Good in vivo 

biocompatibility in 

a rat model with 

no signs of 

inflammation. 

(Guambo et 

al., 2020) 

Oxidized 

regenerated 

cellulose 

(ORC) 

Braiding with one 

core strand and 

eight shell 

strands 

None None Multifilament  2-0 116.91  Not evaluated (Li et al., 

2019) 

Nano-

cellulose 

fibres (NCF) 

Crosslinking post 

extrusion with a 

Fab@Home 

experimental 3D 

printer 

None Glutaraldehyde Monofilament 6-0 227  No in vitro 

cytotoxicity 

towards human 

adipose stem 

cells (hASC) 

(Mertaniemi 

et al., 2016) 

Regenerated 

chitin 

Wet spinning, 

weaving (30 

strands) and 

coating 

Bacterial 

nanocellulose 

crystals 

Sulfuric acid Multifilament 3-0 168.2  No cytotoxicity, 

promoted cell 

proliferation and 

wound healing 

(Wu et al., 

2018a) 

Chitin Extrusion into an 

ethanol 

coagulation bath 

followed by 

vertical stretching 

Graphene 

oxide 

Epichlorohydrin Monofilament 2-0 124.66  Good 

biocompatibility 

with L929 cells, 

cell viability 

above 90% 

(Zhang et 

al., 2019) 
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Diacetyl 

chitin 

Wet spinning and 

weaving 

None None Multifilament 2-0 144.37 No in vivo tissue 

reaction in a rat 

model 

(Shao et al., 

2016) 

Chitosan Wet spinning None None Monofilament 6-0 95.4 No cytotoxicity 

towards L929 

cells 

(da Silva et 

al., 2019) 

Chitosan Wet spinning None None Monofilament 6-0 72.2 Not evaluated (Cruz et al., 

2016) 

2-hydroxy-

trimethyl 

ammonium 

chloride 

chitosan 

(HACC) 

Coaxial 

electrospinning 

None Regenerated 

silk fibroin (RSF) 

Monofilament  _ 41.1 No cytotoxicity to 

Schwann cells  

(Fan et al., 

2020) 

Chitosan Wet spinning None None Monofilament 6-0 131.79 Not evaluated (Costa Da 

Silva et al., 

2020) 

Sodium 

alginate 

Crosslinking with 

a microfluidic 

technique 

Bovine serum 

albumin (BSA) 

Glutaraldehyde Monofilament 2-0 270 MPa Good 

biocompatibility 

with A549 cells 

(Zhang et 

al., 2020) 
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CHAPTER 3: PRELIMINARY BIOSUTURE DESIGN AND STUDY OF THE INFLUENCE 

OF FORMULATION PARAMETERS ON THE MECHANICAL PROPERTIES OF THE 

BIOSUTURE. 

 

3.1 Introduction 

Suture materials have to meet a very unique set of requirements (outlined in Table 3.1) for the 

material to be considered both safe and effective. Many of these requirements are not only 

difficult to achieve in themselves, but also play up against each other, making the development 

of a novel suture material a particularly challenging task (Seitz et al., 2010). For example, the 

ideal material should be strong and provide maximum tensile strength, but it should also be 

elastic and easily manipulated. This necessitates a somewhat flexible polymer network which 

will inevitably be softer and weaker that a more rigid, compact polymer network (Kim et al., 

2007). The suture material should also be as thin and smooth as possible to minimize damage 

to the tissue while suturing. Yet, a decrease in diameter and surface friction can lead to poor 

handling properties and knot slippage (Silver et al., 2016). Therefore, in the development of a 

new suture material, a delicate balance must be achieved between the different inter-related 

properties. One way to obtain such a delicate balance, is by combining the right, carefully 

selected raw materials in optimal ratios, under well controlled processing conditions, while 

using the most effective available methods to yield a strong, flexible suture (Sánchez-Valdes 

et al., 2013). Hence, this chapter explores various formulation parameters, including the 

addition of reinforcing polymers, the use of different plasticizers, different crosslinker 

concentrations, as well as different drying methods, to find a suitable formulation and 

methodology that will yield a strong, yet flexible biosuture.  

Table 3.1: Basic requirements of a safe and effective drug-loaded suture material. 

 Requirement Reference 

1. Good stability both in vivo and ex vivo. (Hermes, 1991; Seitz et al., 
2015) 

2. Optimal mechanical properties with maximum tensile 

strength (specified in the USP). 

(Bloom & Goldberg, 2007; 
Costa Da Silva et al., 2020) 

3. Minimum swelling and loss of tensile strength in vivo. (Peng et al., 2020; Shao et 
al., 2016) 

4. Sufficient elasticity and flexibility (ease of knot tying). (Marturello et al., 2014) 

5. Appropriate diameter (specified in the USP). (Guo et al., 2019; Silver et 
al., 2016) 

6. Excellent safety and biocompatibility. (Maslova et al., 2016) 

7. Slow, sustained drug release. (Arora et al., 2019) 
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From the different suture requirements mentioned in Table 3.1, the mechanical properties are 

of primary importance, since a weak suture material will not be able to perform the basic 

function of tissue approximation and the mechanical properties of the biosutures are, 

therefore, the focus of this preliminary design chapter. First, a sound theoretical basis will be 

drawn for the selection of key materials (i.e., polymers, crosslinkers and plasticizers). The 

influence of these materials, as well as other factors such as fabrication and drying methods, 

on the mechanical properties and foundational quality of the biosuture, will then be 

experimentally determined. Based on these results, a final fabrication method and biosuture 

formulation will be selected.  

3.2 Theoretical basis for the selection of key materials 

3.2.1 Polymer base: Sodium alginate 

The merits of employing sodium alginate in suture material development has already been 

elucidated in Chapter 2. Briefly, sodium alginate, a linear polysaccharide that consists of 

alternating ɓ-D-mannuronic acid (M) and Ŭ-D-guluronic acid (G) residues (Figure 3.1) has 

many valuable attributes such as biocompatibility, biodegradability, and water solubility. The 

following properties, however, have caused Sachan et al., (Sachan et al., 2009) to classify 

sodium alginate as a wonder polymer for controlled drug delivery, and further justify its use in 

the current study: 

¶ It is readily available and relatively inexpensive. 

¶ It has good blood compatibility and does not accumulate in any organ of the human body. 

¶ It is water soluble which eliminates the use of noxious solvents and hence stability, 

toxicological and environmental problems associated with solvents can be minimized. 

¶ It forms a gel under mild conditions, such as room temperature, and hence reduces the 

chance of destroying the activity of sensitive drugs under harsh processing conditions. 

¶ It can be crosslinked with a variety of crosslinking agents, to form an insoluble gel, which 

can be used to delay the release of various drugs, including large proteins and peptides. 

¶ It has been adopted by the European Pharmacopoeia (EP). 

¶ It has been granted the ógenerally recognized as safeô (GRAS) status by the Food and 

Drug Administration (FAO). The acceptable daily intake (ADI) for alginates is not specified 

which is the highest possible classification for food additives as both the FAO and World 

Health Organization (WHO) places no limitation on the daily consumption of alginates by 

man.  



 
42 

 

Figure 3.1: Chemical structure of sodium alginate showing the Ŭ-D-guluronic (G), acid ɓ-D-

mannuronic acid (M) and heterogeneous MG blocks. Adapted with permission from (Daemi & 

Barikani, 2012).  

Amongst these favourable qualities, the most attractive attribute of alginate within the context 

of suture development, is arguably its ability to form an insoluble, rigid three-dimensional 

network upon exposure to appropriate crosslinkers. Crosslinkers are usually divided into three 

main types namely, physical, chemical or enzymatical crosslinkers that give rise to different 

bonds such as covalent, ionic or hydrogen bonds (Garavand et al., 2017). Alginate is most 

commonly crosslinked by means of physical crosslinkers, such as divalent cations, where 

crosslinking is achieved through ionic interaction between the multivalent cation and the 

carboxylate acid groups of the galacturonate blocks on the alginate chain (Azeredo & Waldron, 

2016). This interaction is best defined by the ñeggbox modelò, first described by Grant et al., 

(Grant, et al., 1973). According to this model, the cation fits into the electronegative cavity 

formed by alginate chains, like an egg in an eggbox as shown in Figure 3.2. 

 

Figure 3.2: Eggbox model of ionic crosslinking between a divalent cation and sodium alginate. 

Adapted with permission from (Paul & Sharma, 2015).  

In this study, a dual crosslinking approach that involves physical crosslinking of alginate with 

barium chloride (BaCl2), as well as chemical crosslinking with epichlorohydrin (ECH), was 

investigated as a potential method of producing strong, yet flexible fibres that can successfully 

act as suture materials.    
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3.2.2 Crosslinking agents: Barium chloride and epichlorohydrin  

It has long since been established that the crosslinking ion has a profound impact on various 

properties of the resulting crosslinked network, including the tensile strength, elasticity, 

swelling and drug release properties (Bajpai & Sharma, 2004). In 1965, Haug and Smidrøds, 

experimentally determined that the concentration of multivalent cations needed to induce 

gelation and precipitation of sodium alginate were, in increasing order (Haug, 1965):  

Ba < Pb < Cu < Sr < Cd < Ca < Zn < Ni < Co < Mg  

This order closely resembles the affinity of alginate for alkaline earth metals and suggests that 

barium chloride can lead to the formation of stable alginate gels at lower concentrations than 

the widely used calcium chloride (Siew et al., 2005). This is desirable in the case of suture 

material development, as a high salt concentration will result in a more brittle fibre 

(Sriamornsak, 2007). Additionally, several authors have found that Ba2+ crosslinked alginate 

gels are more stable and have a higher crosslinking density and Youngôs modulus than Ca2+ 

crosslinked gels (Alizadeh Sardroud et al., 2017; Jejurikar et al., 2011; Kaygusuz et al., 2016). 

Das and Senapati, who studied alginate microspheres made with different crosslinking agents 

(Ca2+, Ba2+ and Al3+), found that those formed with Ba2+ were stronger, displayed smaller voids 

and lower water uptake. This was ascribed to the large radius of barium (1.74 Å compared to 

1.17 Å for calcium and 0.68 Å for aluminium), that can be expected to fill a large space between 

the alginate molecules, thus producing a tight arrangement with smaller voids (Das, 2008). 

The selection of BaCl2 as physical crosslinking agent, can thus be justified on the basis that it 

will produce a stronger, more stable biosuture that is less prone to swelling, compared to the 

other available cations. Additionally, Bajpai and Sharma have shown that the small amount of 

barium released from crosslinked alginate is non-toxic and can easily be eliminated from the 

body along with other waste materials (Bajpai & Sharma, 2004). 

However, physically crosslinked alginate networks, are held together by relatively weak bonds 

and can still swell inappropriately in body fluids that contain varying ratios of interchangeable 

ions (Merakchi et al., 2019). This can be overcome by further crosslinking the network with a 

chemical crosslinker, such as epichlorohydrin (ECH), that will result in covalent bonds and 

successfully retain the structural integrity of the crosslinked network, even in aqueous media 

with a wide range of ionic strengths (Maitra & Shukla, 2014). ECH acts as a crosslinker by 

reacting with the hydroxyl groups on the alginate chain, through nucleophilic attack of the 

alcoholate anion, while a new epoxide is formed by chloride displacement, as shown in Figure 

3.3 (Pawar & Edgar, 2012). Fundueanu et al., found that the chemical structure of alginate 

microparticles, produced with ECH, were highly elastic and displayed reversable swelling, i.e., 

after a process of drying and reswelling the structure of the microparticles remained 
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unchanged (Fundueanu et al., 1999). This suggest that crosslinking with ECH can convey a 

degree of elasticity to the biosutures and ensure, not only a lower degree of swelling, but also 

a reversable swelling behaviour. Asnani and Kokare showed that dual crosslinking with ECH 

can be used to obtain excellent sustained drug release from alginate microparticles, which 

further justifies its use in this study (Asnani & Kokare, 2018). Importantly, Zhao et al., showed 

that films crosslinked with epichlorohydrin are fully biocompatible and demonstrate both good 

cytocompatibility and hemocompatibility (Zhao et al., 2015).  

 

Figure 3.3: Suggested method of crosslinking between alginate and epichlorohydrin. Adapted 

with permission from (Pawar & Edgar, 2012).  

The combination of ECH with a divalent cation like BaCl2 is, however, crucial for biosuture 

fabrication. The reaction between BaCl2 and alginate is rapid and allows for immediate 

solidification while the reaction between ECH and alginate is a slow and time-consuming 

process that does not allow any control over the morphology of the crosslinked network 

(Mammarella & Rubiolo, 2003). Hence, one-step, dual crosslinking process, where both 

crosslinkers are added to the same solution and allowed to simultaneously crosslink the 

polymer network, is explored in this study. 

3.2.3 Reinforcing agents: Pectin, nanocellulose and gelatin 

In addition to crosslinking, the alginate polymer network can easily be reinforced through the 

addition of more crystalline polymers such as pectin or nanocellulose, or through combination 

with proteins such as gelatin. Each of these polymers has a unique set of properties, that can 

be used to develop a novel polymer blend with selectively enhanced properties, that are not 

only superior to that of the individual components, but also highly suitable for biosuture 

material applications (Vroman & Tighzert, 2009).  

Pectin is an extremely complex polysaccharide with great structural diversity but also 

astonishing similarity, compatibility, and synergy with alginate. Essentially, pectin consists of 

Ŭ-1,4-linked partially methyl-esterified Ŭ-D-galacturonic acids (Naqash et al., 2017). However, 
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the structure of pectin also hinges on alternating ósmoothô and óhairyô regions, where the 

substituted rhamnogalacturonans (RG-I and RG-II) constitute the óhairyô regions, and the linear 

backbone of homogalacturonans (HGôs) form the ósmoothô regions as depicted in Figure 3.4 

(Liu et al., 2007). Similar to alginate, pectin can also be crosslinked by divalent cations that 

interact with the polygalacturonate chains of the polymer, at so-called junction zones, and can 

accurately be described by the same eggbox model used to define the ionic crosslinking of 

alginate (Kumar et al., 2010). Pectin is also on equal footing with alginate in terms of its 

abundance in nature, biocompatibility, water-solubility and biodegradability, which make 

pectin a particularly suitable polymer for inclusion in this study (Bierhalz et al., 2012).  

 

Figure 3.4: (A) Co-linear model for the organization of pectin in smooth and hairy regions. (B) 

The chemical structure of the smooth region ï homogalacturonan. Used with permission from 

(Liu et al., 2007).  

Yet, the most important benefit of pectin is that it has the potential to improve the mechanical 

properties of an alginate network, if it is used in the correct concentration and ratio (Gohil, 

2011). Pectin is crystalline in nature, which is evident from distinctly crystalline sharp peaks 

witnessed on the X-ray diffractogram of this polymer and can, therefore, be used to increase 

the overall crystallinity of the polymer network (Mishra et al., 2008). An increased degree of 

crystallinity will result in a more closely packed internal structure and higher tensile strength, 

but also carries the risk of increased brittleness (Balani et al., 2015). Excessive brittleness, 

however, can be circumvented by keeping the concentration of pectin aptly low and through 

the addition of suitable plasticizers such as glycerol.  

Moreover, pectin can improve the tensile strength of the network by acting synergistically with 

alginate during crosslinking with divalent cations. This synergism is speculated to stem from 

a heterogeneous association of the poly-G blocks of alginate and the methyl ester regions of 
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pectin, which results in rigid ribbons (Bekhit et al., 2016; Silva et al., 2009; Walkenström et al., 

2003). Thom et al., who conducted an in-depth study of the interaction between alginate and 

pectin, showed with the help of molecular modelling, that the poly-G and methyl ester regions, 

not only form rigid ribbons, but they also pack together in parallel twofold crystalline arrays 

(Thom et al., 1982). This suggests that, if pectin and alginate are used in combination, stronger 

fibres with greater tensile strength can be obtained, than when the polymers are used on their 

own. Moreover, pectin has the same fast crosslinking potential as alginate and a greater 

affinity for Ba2+, compared to other divalent cations, just like alginate (Cernencu et al., 2019). 

In the past, pectin has not been used for the exclusive purpose of enhancing the mechanical 

properties of an alginate matrix and the influence in terms of elasticity, brittleness and tensile 

strength remains to be seen. Indeed, at the time of this writing, there are no reports on the 

characterization of alginate-pectin fibres and the current study will, therefore, for the first time 

elucidate the characteristics of alginate-pectin fibres using different blend ratios.  

Another avenue of enhancing the tensile strength of the biosuture, that will be explored in this 

study, is the use of a nanofiller namely, cellulose nanofibrils (CNF). Among the nanofillers 

available, nanocellulose has received considerable attention in the biomedical and 

pharmaceutical field due to its renewable nature, abundance, high elongation moduli and 

tensile strengths, biodegradability and excellent compatibility with other biopolymers (Chaichi 

et al., 2017). According to Eichhorn et al., CNF has been reported as one of the best 

biopolymer reinforcement materials due to its specific stiffness, ability to effectively reduce the 

interstitial spaces in the polymer network and form strong polymer-filler interactions, which 

significantly enhances the mechanical properties of the material (Eichhorn et al., 2010). 

Several authors have found that the addition of CNF to films made of natural polymers, such 

as alginate and chitin improved, not only the tensile strength, but also the flexibility and 

elongation at break of the film (Chaichi et al., 2017; Kanagaraj et al., 2007; Li et al., 2020; 

Meneguin et al., 2017).  This was ascribed to the concurrent structured and unstructured 

regions of nanocellulose that relate to both crystalline and amorphous phases where the first 

phase conveys rigidity and the other flexibility to the polymer network (Meneguin et al., 2017).  

The addition of CNF to the biosutures might, therefore, have a favourable influence on the 

mechanical properties of the fibre in terms of both tensile strength and elongation at break. 

Gelatin, an abundant natural protein derived from denatured collagen, is the most prominent 

protein of the extracellular matrix and can be employed to improve, not only the mechanical 

properties of the fibre, but also the in vivo interaction of the fibre with cells (Li et al., 2008). 

Gelatin has a three-chain helical structure with positive, negative, and hydrophobic domains 

which gives it a characteristic amphoteric nature (Sakai et al., 2018). As in the case of most 

natural polymers, gelatin displays excellent biocompatibility, ease of biodegradation and 
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general non-toxicity. Gelatin also has other valuable merits, such as its inexpensive nature, 

water solubility, good fibre forming ability and lack of antigenicity, which is often experienced 

with collagen (Rosellini et al., 2009).  

In recent years, alginate-gelatin combinations received considerable attention due to the 

complementary relationship between the two polymers, where the one is able to cancel out 

the limitations of the other and vice versa (Sarika et al., 2016). A major limitation of alginate, 

in terms of wound healing and tissue regeneration, is that it does not actively promote cell 

interactions and displays a low cell adhesion rate (Wu et al., 2020). This can be circumvented 

by the addition of gelatin, which is known to promote cellular adhesion, proliferation and 

differentiation, through cellular information signals, such as the Arginine-Glycine-Aspartate 

(RGD) sequence, present in its structure (Liao et al., 2009). Alginate also displays relatively 

slow degradation in vivo, due to the lack of degrading enzymes in the human body, which can 

be sped up by gelatin which swells and degrades at a more rapid rate (Sarker et al., 2014). 

Gelatin, on the other hand, has poor thermal stability and low network rigidity which 

significantly limits its applicability and can be improved through combination with other 

polymers such as alginate (Xiao et al., 2001a). This strategy, where proteins are combined 

with polysaccharides to produce proteo-saccharides, is now considered as one of the foremost 

methods of improving cellular regeneration due to the high biocompatibility and close similarity 

of the materials to the native ECM, which primarily consists of proteoglycans (long chain 

polysaccharides and proteins) (Cassimjee et al., 2020). 

Another incentive for the combination of gelatin with alginate in this study, is its amphoteric 

nature which can lead to ionic interaction with anionic polysaccharides, such as alginate and 

pectin, under the right conditions. Xiao et al, found that blends of alginate and gelatin, had 

improved thermal stability and mechanical properties (i.e., tensile strength and elongation at 

break) compared to the individual polymers. Additionally, Maud et al., found that at the right 

concentrations and polymer ratios, alginate-gelatin blends display excellent miscibility, which 

is often a challenge with protein-polysaccharide combinations. In both cases, the favourable 

observations were ascribed to the strong interaction between alginate and gelatin that resulted 

from intermolecular hydrogen bonds and ionic interaction, as illustrated in Figure 3.5.  This 

suggests that in combining alginate, and potentially pectin, with gelatin, a stronger and more 

thermally stable biosuture can be obtained. Yet, the degree if interaction will have to be 

monitored to ensure that excessive gelation does not occur prior to crosslinking of the 

biosuture.  
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Figure 3.5: Structural representation of how ionic interaction and hydrogen bonding can take 

place between sodium alginate and gelatin. Adapted with permission from (Samp, 2017). 

3.2.4 Plasticizers: Polypropylene glycol, triethyl citrate and glycerol 

Natural polymer networks, especially those consisting of carbohydrates like sodium alginate, 

where the network is tightly held together by an abundance of hydrogen bonds, are rigid and 

brittle in nature. Consequently, these networks require the addition of a suitable plasticizer to 

improve their overall mechanical performance (Thakhiew et al., 2010). Plasticizers are small 

molecules of substantially low volatility that, when added to a polymeric material, changes 

certain physical and chemical properties of that material (Sanyang et al., 2015). Several 

theories have been proposed to explain the mechanism of plasticizer action (e.g. the 

ólubricating theoryô, ógel theoryô and ófree volume theoryô) but the general consent is that these 

small molecules disrupt the original hydrogen bonds, or other forces holding the polymer chain 

together, to increase the mobility of the polymer chain (Ullah & Wu, 2013). The addition of 

plasticizers, therefore, decreases the tensile strength and youngôs modulus of the material 

while increasing the percentage elongation at break. In effect, the plasticizer makes the 

material weaker but easier to deform and bend, thereby adding to the toughness of the 

material. Hence, the optimum plasticizer content is a compromise between acceptable 

material strength and adequate material flexibility (Kunanopparat et al., 2008).  

The type of plasticizer selected, as well as its concentration, will affect the mechanical 

properties of the final material (Sanyang et al., 2015). Polyols, particularly glycerol and sorbitol, 

are the most widely studied and commonly used plasticizers. They are especially favoured 

because of their non-volatile nature, hydrophilicity, non-toxicity and low cost (Silva et al., 

2009). In this study, we will investigate several plasticizers, including polypropylene glycol, 

triethyl citrate and glycerol, for their plasticizing effect on the biosutures. Yet, according to 
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Thakhiew et al., plasticizer concentration is the most important parameter for the plasticizing 

effects of a polymer network (Thakhiew et al., 2010). This was confirmed by Da Silva et al., 

who showed that a very narrow range of plasticizer concentration (4-10%) will yield alginate 

films with acceptable mechanical properties. Films with plasticizer concentrations lower than 

3% were brittle, while concentrations over 12% led to phase separation of the alginate films 

(Silva et al., 2009). Therefore, care will be taken in this study to find the optimal plasticizer 

concentration that will result in biosutures with both adequate tensile strength and flexibility. 

3.3 Materials 

Sodium alginate, pectin from citrus peel, gelatin, and epichlorohydrin was purchased from 

Sigma-Aldrich (St. Louis, MO, USA). Barium chloride 2-hydrate and glycerol (Mw=92.1g/mol) 

was purchased from LabChem (Founders hill, Johannesburg, SA), and nanocellulose from 

DLD Scientific (Durban North, SA).  

3.4 Methods 

3.4.1 Polymer characterization by Fourier Transform Infrared Spectroscopy (FTIR) 

Before initiating the design and fabrication of a novel suture material or drug delivery device, 

it is appropriate to first do a basic characterization of the polymers that will be used. Fourier 

Transform Infrared Spectroscopy (FTIR) is a non-destructive, rapid and easily employed 

technique to obtain valuable information about the chemical structure of polymers (Fan M, Dai 

D, 2012). For each of the four polymers investigated (i.e. sodium alginate, pectin, 

nanocellulose and gelatin), there is a specific property that will have a profound influence on 

its behaviour in the biosuture (Kulkarni et al., 2012). These are the M/G ratio of alginate, the 

degree of esterification (DE) of pectin, the crystallinity index (CI) of nanocellulose, and the 

secondary structure of gelatin. Each of these properties were investigated using FTIR while 

the isoelectric point (PI) of gelatin was also determined through measurement of the proteinôs 

zeta-potential.  

FTIR spectra of the pristine polymers were obtained using a PerkinElmer Spectrum 2000 ATR-

FTIR (Waltham, MA, USA) fitted with a single-reflection diamond MIRTGS detector, with 64 

scans taken at a wavenumber range of 4000 ï 650 cm-1. A simplified method, described by 

Sakugawa et al. and reported elsewhere (Mndlovu et al., 2019a; Sakugawa et al., 2004), was 

used to calculate the mannuronic acid and guluronic acid ratio (M/G) of sodium alginate from 

its FTIR spectra. Briefly, 600 mg of sodium alginate was dissolved in deionized water to obtain 

a 3% (w/v) aqueous solution of the sample. The solution was ejected through a syringe into a 

BaCl2 (2% w/v) solution and left to crosslink for 1 hour, after which the precipitated alginate 

salt was collected and lyophilized. The FTIR spectra of three samples were recorded in 

absorbance with measurements repeated in triplicate. The mean value of absorbance strength 
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at the appropriate bands (A1023/A1080) was used to calculate the M/G ratio of each of the three 

alginate samples using Equation 3.1. The average M/G ratio of the three samples was taken 

as the final M/G ratio of the alginate sample. 

Alginate M/G ratio = A1023/A1080                                                                               Equation 3. 1 

The degree of esterification of pectin was determined according to a method described by 

Gnanasambandam and Proctor (Gnanasambandam, R., Proctor, 2000) and validated by 

Monsoor et al., as well as Kohn et al., who confirmed that the degree of esterification of pectin 

can be determined with an absolute error ± 1.3% using FTIR (Filippov et al., 1978; Monsoor 

et al., 2001). Briefly, the FTIR spectra of a sample of unprocessed pectin powder was obtained 

in triplicate using the same parameters described above.  The peak positions, peak hight and 

peak areas representing the esterified and non-esterified carboxyl groups of pectin (at 1747 

cm-1 and 1639 cm-1 respectively) were accurately determined using SpectrumTM 10 STD 

software. The degree of esterification (DE) was calculated using Equation 3.2. 

DE (%) = [A1747/ (A1747 + A1639)] x 100                                                                     Equation 3. 2 

According to Ioelovich, M., IR-spectroscopy can be used to evaluate the crystallinity of 

nanocellulose samples by measuring the relative height of peaks (Ioelovich, 2017). A method 

proposed by Nelson and OôConnor, where the infrared ratio of peak heights at 1420 cm-1 and 

2900 cm-1 is used to estimate the CI of nanocellulose, was employed (Nelson & OôConnor, 

1964). Accordingly, the FTIR spectra of pristine nanocellulose was obtained using the same 

parameters described earlier and the CI determined according to Equation 3.3.  

CI = Ŭ1372 cm-1 / Ŭ2900 cm-1                                                                                                                               Equation 3. 3 

FTIR is also an established technique for characterizing protein structure, and especially for 

determining the secondary structure of proteins like gelatin (Yu, 2006). Table 3.2 provides 

typical band assignments for protein secondary structures and will be used to derive the 

secondary structure of the gelatin, used in this study. The amide I region is most commonly 

used for secondary structure determination, as the peak is typically the strongest absorbing 

peak of proteins. However, this strong peak, in the 1600 ï 1700 cm-1, region, also overlaps 

with an absorbance band of water which can make accurate analysis difficult (Bier et al., 

2013). The amide III region (1200 ï 1350 cm-1), which is weaker that the amide I region, but 

equally sensitive to structural changes and not subject to interference, was therefore used to 

verify the secondary structure (Cai & Singh, 1999). Peaks of amide I and III were deconvoluted 

using the software Origin Pro 8.5 and the second derivative method, to reveal individual peaks 

in the relevant IR regions.   
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Table 3.2: Band assignments for the determination of protein secondary structures. 

Region Secondary structure Band assignment (cm-1) 

Amide I Antiparallel ɓ-sheet/ 

aggregated strands 

1675ï1695 

Ŭ ï Helix  1648ï1660 

Unordered 1640ï1648 

ɓ - Sheet 1625ï1640 

Aggregated strands 1610ï1628 

Amide III Ŭ ï Helix 1295ï1330 

ɓ - Turns 1270ï1295 

Random coils 1250ï1270 

ɓ - Sheet 1220ï1250 

 

Additionally, the isoelectric point (PI) of gelatin, which may be defined as the pH value at which 

the global charge of the molecule is null, was also determined (Macovescu et al., 2018). PI is 

one of the most important parameters to reflect the molecular structure of amphoteric 

substances and can also be used to deduct the type (A or B) of gelatin (Zhang et al., 2018). 

Gelatin that is obtained through an acid pre-treatment (gelatin type A) has a PI of 7 ï 9 while 

gelatin prepared using a base (gelatin type B) has a PI of 4.7 ï 5.4 (Siburian et al., 2020). We 

determined the PI of gelatin used in this study according to a validated method that was 

developed by Macovescu et al., and shown to have an accuracy of 99.8121% (Macovescu et 

al., 2018). Briefly, solutions of 0.1 M sodium acetate, 0.1 M acetic acid and gelatin were added 

to six test tubes, according to proportions given in Table 3.3. 

Table 3.3: Proportions of solutions required to measure the isoelectric point of gelatin.  

Added reagents  

(mL) 

Test tube number 

1 2 3 4 5 6 

0.1 M Sodium acetate 2 2 2 2 2 1.2 

0.1 M Acetic acid 0.25 0.5 1 2 4 4.8 

Distilled water 3.75 3.5 3 2 - - 

0.1% Gelatin solution 2 2 2 2 2 2 

 

The pH of solutions was measured using a pH-meter (Mettler-Toledo, Greisensee, 

Switzerland) before and after the addition of 1% gelatin solutions in order to see the variation 

it causes. The zeta-potential of each test tube was measured using the ZetaSizer NanoZS 

(Malvern Instruments Ltd., Worcestershire, UK) with a 40 V field applied over a 10 mm 

electrode spacing at 25°C. The zeta-potential was plotted against pH variation and the data 
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extrapolated to obtain the isoelectric point at a potential of 0 mV. Three repeated 

measurements were performed on each sample and the average calculated. Additionally, 

methyl alcohol (10 mL) was added to each test tube to highlight the isoelectric point by means 

of turbidity.  

3.4.2 Determination of the fibre forming ability of sodium alginate 

The ability of sodium alginate to form suitable biosutures in the presence of the selected 

crosslinkers, namely BaCl2 and ECH, was evaluated. Fibres of varying alginate concentrations 

(1%, 2%, 4%, 6%, 8% and 10% w/v, respectively) were prepared by dissolving the appropriate 

amount of sodium alginate in deionized water. The solutions were extruded into a crosslinker 

solution of BaCl2 (1% w/v) and ECH (1% v/v) using a 10 mL syringe fitted with a 23 G needle 

and left to cure for 30 minutes. The resultant fibres were washed repeatedly, using baths of 

deionized water, and left to air dry in ambient conditions (25°C; 50% relative humidity). The 

fabricated fibres were observed and factors such as extrudability of the solution and 

morphology of the fibres, noted. 

3.4.3 Methods of biosuture fabrication  

Three different methods of suture fabrication were investigated, yet the chemistry and basic 

principles behind the fabrication process remained the same. Fibres were formed by extruding 

an alginate-based polymer solution, through a syringe and needle, into a crosslinker bath. As 

soon as the polymer solution came into contact with the crosslinker solution, the cations in the 

latter formed bonds between the polymer chains, which resulted in a more rigid, insoluble 

polymer matrix. The suture-like fibre morphology was the result of the combination of constant 

pressure applied to the plunger and spiral-shaped movement of either the crosslinker bath or 

the syringe. The three methods of extrusion that were investigated are: 

i. Extrusion via hand. 

ii. Extrusion via the 3D Bioplotter® (EnvisionTec, GmBH, Germany). 

iii. Extrusion via the Texture Analyser (TA.XTplus, StableMicroSystems, England). 

For extrusion via hand, the polymer solution was loaded into a 5 mL luer-lock syringe, fitted 

with a 23 G needle, and manually extruded into a beaker with the crosslinker solution as shown 

in Figure 3.6. While pressure was being applied to the plunger, the syringe was simultaneously 

moved in a circular motion to allow for effective fibre formation.  
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Figure 3.6: A) Graphical representation of suture fabrication via hand. B) 3D spiral design 

used to extrude the polymer solution via the 3D Bioplotter. C) Texture Analyser setup during 

suture fabrication and polymer extrusion using the universal syringe rig.  

Prior to extrusion with the 3D Bioplotter, a unique spiral design was created using AutoCAD® 

(Autodesk) design software, which was then resized and sliced using Magics® V18 design 

software equipped with EnvisionTec® printing protocols (Figure 3.6 B). The polymer solution 

was loaded into a 3D Bioplotter syringe, fitted with a 23G needle tip, and inserted into the low 

temperature printing head of the 3D Bioplotter® (EnvisionTec, GmBH, Germany). Printing was 

executed directly into a petri dish, filled with the crosslinker solution, at a constant pressure of 

0.7 bar and a speed of 70 mm/sec and a pre-flow and post-flow timing of 0 sec.  

A special syringe rig (Universal Syringe Rig, A/USR, Stable Micro Systems, England) was 

used for extrusion via the Texture Analyser. The Texture Analyser setup is shown in Figure 

3.6 C. The polymer solution was loaded into a 3 mL luer-lock syringe, fitted with a 23 G needle 

and the syringe secured onto the rig, using the provided clips. The Texture Analyser was set 

in the compression mode using the standard return to start T.A. sequence, with button mode 

as the trigger type and a distance of 30 mm as the target mode. An initial high-speed setting 

was used (2 mm/sec) to push the polymer solution through the needle and help unclog the tip. 

Once a proper flow was established, a lower speed of 0.6 mm/sec was used and the beaker, 

containing the crosslinker solution, moved in a circular direction. 

After extrusion, all fibres were left to cure in the crosslinker solution for approximately 30 

minutes after which they were washed repeatedly using five clean deionized water baths to 

remove any residual crosslinker from the fibres. The fibres were then placed on large ointment 

tiles and left to dry in ambient conditions (25 ± 2°C and 50% relative humidity), until they 

reached a constant diameter (± 40 minutes). 

3.4.4 Tensile testing procedure 

Before tensile testing was initialized, the diameter of each biosuture formulation was measured 

using digital vernier callipers. The diameter was measured three times (N=3) along the active 
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length, at points corresponding to one-fourth, one-half and three-fourths of the fibre length, as 

described by the USP suture diameter standard (SuturesðDiameter. United States 

Pharmacopeia and National Formulary (USP 29-NF 24). Tensile testing was performed with 

the Texture Analyser (TA.XTplus, Stable Micro Systems, England) in the tension mode and 

equipped with miniature tensile grips (A/MTG, Stable Micro Systems, England). The 5 kg load 

cell was calibrated prior to all tests. Biosutures were secured in the middle of the grips with a 

standard suture gauge length of 4 cm. All tests were performed under displacement control at 

a crosshead speed of two times the active gauge length (80 mm per minute) as specified by 

the USP standards for tensile testing (Tensile Strength. United States Pharmacopeia and 

National Formulary (USP 29-NF 24).  

For each biosuture formulation, a total of twenty biosutures (N=20) were tested using two 

configurations: straight-pull test (N=10) and knot-pull test (N=10), where a single overhand 

throw knot was placed in the centre of the biosuture. In all cases, failure occurred at the centre 

of the active length, indicating that the gripping points did not affect the results. Load (N) and 

elongation (mm) were collected throughout testing until failure and the average calculated for 

each formulation. The results were initially presented and analysed as load vs. displacement, 

as this is the most common method of presenting mechanical property data of suture materials 

(Naleway et al., 2015). Additionally, the load data was converted to engineering stress by 

dividing the applied load (P), by the initial cross-sectional area (A). The displacement data was 

converted to engineering strain by dividing the change in active length (æl) by the original 

active length (l0). In certain cases, the youngôs modulus and toughness of the fibres were also 

calculated as the initial slope of the stress vs. strain curve and the area under the curve (AUC) 

of the stress vs. strain curve, respectively. 

3.4.5 Influence of formulation components and processing conditions on the 

mechanical properties of the biosuture.  

3.4.5.1 Pure sodium alginate biosuture 

Biosutures consisting of sodium alginate, 6% w/v, alone were prepared according to the 

Texture Analyser method described in Section 3.4.3. The mechanical properties were 

evaluated as described in Section 3.4.4 and used as a baseline to compare all other biosuture 

formulations with.  

3.4.5.2 Addition of a suitable plasticizer 

Three different plasticizers namely, glycerol, polypropylene glycol and triethyl citrate were 

investigated for potential inclusion in the biosuture formulation, but only glycerol was found to 

be a viable option. Polypropylene glycol and triethyl citrate failed to plasticize the biosutures 

and hence, only glycerol was further investigated at different concentrations (2, 4, 6, 8 and 

10%) to find a suitable concentration that will yield flexible, yet strong biosutures. Five polymer 
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solutions were prepared to have a final alginate concentration of 6% w/v and glycerol added 

to each solution according to the concentrations stated above. The polymer solutions were 

mechanically stirred for approximately 15 minutes until a homogenous mixture was obtained. 

Biosutures were then prepared from the polymer solutions according to the Texture Analyser 

method described in Section 3.4.3 and the mechanical properties evaluated as described in 

Section 3.4.4. 

3.4.5.3 Addition of pectin as reinforcing agent 

The same basic procedure used previously, was followed to fabricate the pectin reinforced 

biosutures but with different concentrations of pectin (2, 1, 0.5, 0.4, 0.3, 0.2 and 0.1% w/v 

respectively), fist dissolved in deionized water through high-speed mechanical stirring and 

slight heating (30°C) on a hotplate magnetic stirrer (United Scientific, Goodwood, South 

Africa). Once cooled down, the pectin solutions were added to pre-dissolved sodium alginate 

solutions to yield a final alginate concentration of 6% w/v. Solutions were again mechanically 

stirred to obtain a homogenous mixture and the biosutures prepared according to the Texture 

Analyser method described in Section 3.4.3. The texture analyser continually records the force 

required to extrude the loaded hydrogel into the crosslinker and this data was analysed to 

compare the extrudability of the alginate solution, with and without the addition of pectin. The 

mechanical properties of the pectin reinforced biosutures were evaluated as described in 

Section 3.4.4.  

3.4.5.4 Addition of nanocellulose as reinforcing agent 

Biosutures were reinforced with 1, 0.5 and 0.25% w/v nanocellulose, respectively and the 

influence on the mechanical properties of the biosutures investigated. Prior to fabrication of 

the nanocellulose reinforced fibres, the nanoparticles were dispersed in deionized water and 

ultrasonicated (Ultrasonic Cleaner, SE-366, Scientech, India) for 30 minutes to ensure proper 

distribution of the nanofibers. The nanocellulose was then added to alginate solutions which 

was first mechanically stirred and then ultrasonicated for an additional 15 minutes to obtain a 

homogeneous polymer blend of 6% w/v alginate and the respective concentrations of 

nanocellulose. Biosutures were again prepared according to the Texture Analyser method 

described in Section 3.4.3 and the mechanical properties evaluated as described in Section 

3.4.4. Images were taken of the hydrated cellulose fibrils using a Confocal Laser Scanning 

Microscope (CLSM, Leica Microsystems, Wetzlar, Germany) and the surface morphology of 

the nanocellulose reinforced fibres studied with a stereomicroscope (Olympus SZX ï ILLD2-

200, Olympus Corporation, Tokyo, Japan).  
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3.4.5.5 Addition of gelatin as reinforcing agent 

Four concentrations of gelatin (i.e., 4, 3, 1.5 and 0.75% w/v) were investigated for their ability 

to improve the mechanical properties of the biosutures. Similar to pectin, the gelatin solutions 

were separately prepared through mechanical stirring and heating (30°C). The gelatin 

solutions were immediately added to pre-dissolved alginate (final concentration of 6% w/v) 

without prior cooling to prevent early setting of gelatin. The alginate-gelatin mixtures were 

mechanically stirred for 15 minutes to obtain a homogenous blend and biosutures prepared 

according to the Texture Analyser method described in Section 3.4.3. The mechanical 

properties were evaluated as described in Section 3.4.4. 

3.4.5.6 Selection of the appropriate crosslinker concentration.  

Biosutures were fabricated according to the Texture Analyser method described in Section 

3.4.3, using a 6% sodium alginate solution reinforced with 0.1% pectin and 3% gelatin and 

plasticized with 4% glycerol. The effect of different crosslinker types and concentrations were 

evaluated against the latest biosuture formulation and not alginate alone in order to find the 

best crosslinker concentration for the final polymer blend. For the crosslinker solution, different 

concentrations of BaCl2 and ECH were evaluated, as shown in Table 3.4. The mechanical 

properties were evaluated as described in Section 3.4.4. 

Table 3.4: Different concentrations of BaCl2 and ECH used to crosslink the polymer blend and 

produce biosutures. 

Formulation BaCl2 (% w/v) ECH (%v/v) 

A 1 0.5 

B 2 0.5 

C 4 0.5 

D 2 - 

E 2 0.25 

F 2 0.5 

G 2 1 

 

3.4.5.7 Selection of the optimal drying method 

Biosutures were fabricated according to the Texture Analyser method described in Section 

3.4.3, using a 6% sodium alginate solution reinforced with 0.1% pectin and 3% gelatin and 

plasticized with 4% glycerol. Three different drying methods were investigated namely, normal 

air drying at room temperature (25 ± 2°C and 50% relative humidity), under lamellar flow in a 

fume hood, and at 35°C in a universal oven (Memmert, GmbH, Schwabach). Biosutures were 

dried until a constant diameter was achieved and kept in a desiccator until mechanical testing, 

which was performed as described in Section 3.4.4.  
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3.5 Results and discussion  

3.5.1 Polymer characterization by Fourier Transform Infrared Spectroscopy (FTIR) 

The FTIR spectra of sodium alginate, pectin and nanocellulose, with the most significant 

absorption bands visible, is provided in Figure 3.7. All three spectra show a broad, intense 

absorption band between 3600 and 3000 cm-1, that can be related to -OH stretching vibrational 

modes present in all three carbohydrate polymers. For alginate, two characteristic bands were 

observed at 1594 and 1405 cm-1, which can be ascribed to the asymmetric and symmetric 

stretching vibrations of the carboxylate salt ion (-COO-), respectively. The later bands are 

highly significant and often used in the characterization of alginate and its derivates. The 

bands observed at 1107 and 935 cm-1 were attributed to the C-O stretching vibration of the 

pyranosyl ring with contributions from C-C-H and C-O-H deformations. Peaks observed at 

1080 and 1023 cm-1 respectively, represent the mannuronic and guluronic units of sodium 

alginate and the absorbance at these wavenumbers was used to calculate the M/G ratio of 

Ba2+ crosslinked sodium alginate as described in literature (Sakugawa et al., 2004).  

 

Figure 3.7: FTIR spectra of sodium alginate, pectin and nanocellulose fibrils. 

The M/G ratio of sodium alginate was calculated as 1.45 (Table 3.5), which shows that this 

specific alginate sample has a higher mannuronic than guluronic acid content and will form 

more elastic fibres after crosslinking, due to the structural conformation of the M-block regions. 

As shown in Figure 3.1, the G-blocks have considerable steric hinderance around the carboxyl 

groups that leads to a rigid, folded structural conformation, while the linear M-block linages 
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result in a more flexible, ribbon-like chains (Yang et al., 2011). This reaffirms that substantial 

steps need to be taken to improve the rigidity and tensile strength of the alginate sample. 

Table 3.5 shows the absorbance of three sodium alginate samples, the respective M/G ratios 

and the average M/G ratio of the sodium alginate used in this study. 

Table 3.5: Calculation of the M/G ratio of sodium alginate. 

Sample Wavenumber 

(cm-1) 

Absorbance Wavenumber 

(cm-1) 

Absorbance M/G ratio 

1. 1080 0.20 1023 0.29 1.45 

2. 1080 0.26 1023 0.38 1.4615 

3. 1080 0.16 1023 0.23 1.4375 

Average     1.4496 

 

In addition to the broad absorption band at ~3400 cm-1, the FTIR spectrum of pectin displayed 

a band of moderate intensity at 2934 cm-1 that was ascribed to CH, CH2 and CH3 stretching 

and bending vibrations. The strong absorption band observed at 1727 cm-1 can be ascribed to 

the ester carbonyl (-COCH3) groups, while the two moderate peaks at 1633 and 1400 cm-1 

represent the asymmetric and symmetric stretching of the carboxylate ion (-COO-). Kohn et 

al., showed that, in the absorbance setting, the area under the latter peaks can be used to 

determine the degree of esterification of pectin with absolute error ± 1.3%. The DE of pectin 

was calculated as 86.44% and Figure 3.8 shows the spectrogram of pectin with the applicable 

wavelengths and areas. The sample can, therefore, be classified as a high methoxyl pectin 

(HMP) with more that 50% of the carboxyl groups being methyl esterified (Jindal et al., 2013). 

This suggests that gelation of the polymer will be rapid and mostly based on hydrogen bonds 

and hydrophobic interactions at the methyl ester groups (Sharma et al., 2006). 

 
Figure 3.8: FTIR spectrum of pectin showing the peaks used to determine the degree of 

esterification of the polymer. 



 
59 

In the FTIR spectra of nanocellulose, the broad absorption band in the region of 3330 cm-1 

which represents the -OH stretching vibrations, overlaps with the band at 3319 cm-1, which 

can be ascribed to the stretching frequency of the -COO group. The band observed at 2900 

cm-1 can be attributed to the stretching of the -CH of the saturated aliphatic structure of 

cellulose. The bands around 1427 and 1316 cm-1 can be assigned to -CH2 scissoring and -

OH bending vibrations, respectively while the broad band at 1030 cm-1 is representative of the 

CH-O-CH2 stretching. The crystallinity index of the nanocellulose fibrils was found to be 0.52, 

which is in line with values reported in literature and predictably lower than that of 

nanocellulose crystals (Nelson & OôConnor, 1964; Sacui et al., 2014).  

As shown in Figure 3.9, the IR spectrum of gelatin displayed major peaks in all the expected 

amide regions: 3284 cm-1 (amide A), 2940 cm-1 (amide B), 1633 cm-1 (amide I), 1523 cm-1 

(amide II) and 1234 cm-1 (amide III). Similar spectral bands were observed by Cebi et al., and 

Almeida et al., (Almeida et al., 2012; Cebi et al., 2016). The broad absorption peak at 3284 

cm-1, can be attributed to the stretching vibration of O-H bound to N-H groups in the amide A 

region. The amide B peak suggests the interaction of -NH3 groups between peptide chains. 

Among the amide I, amide II and amide III absorption bands, the amide I vibration is primarily 

due to a C=O stretching vibration coupled to contributions from the C-N stretch, with C-C-N 

deformation and in-plane N-H bending modes. The amide II vibration modes can be ascribed 

to an out-of-phase combination of C-N stretching and in-plane N-H deformation modes of the 

peptide group (glycine backbone and proline sidechains). The amide III band, on the other 

hand, represents the combination of peaks from C-N stretching vibrations and N-H 

deformation from the amide linkages, as well as absorption bands arising from the wagging 

vibrations of C-H2 groups in the glycine backbone and proline sidechains. 

Figure 3.9: FTIR spectrum of gelatin, showing all major amide regions. 



 
60 

The secondary structure of a protein, plays an important structural or architectural role in the 

protein and has a direct impact of the mechanical properties thereof (Takano et al., 2016). The 

three most common secondary structures are the Ŭ-helix, ɓ-sheet, and random coil. These 

secondary structures, which normally vary throughout the polypeptide chain, arise from 

molecular interactions, in particular hydrogen bonds, between adjacent amino acids (Yang et 

al., 2015). In comparison with the other secondary structures, ɓ-sheets have a higher number 

of hydrogen bonds, due to full utilization of the hydrogen bonding capacity of the polypeptide 

backbone and can lead to stronger interchain interactions and hence stronger materials. 

Spider silk, for example, as well as other strong natural fibrous proteins, are known to have a 

higher ɓ-sheet content than Ŭ-helixes which is said to improve the mechanical properties of 

the material (Bortolini et al., 2015). The deconvoluted peaks of the FTIR spectrum of amide I 

and amide III, shown in Figure 3.10, revealed a high ɓ-sheet content combined with lower 

quantity of Ŭ-helixes. This may be due to thermoplastic processing, which is known to increase 

the ɓ-sheet content of polymers at the expense of Ŭ-helixes. The ɓ-sheet content of the gelatin, 

procured in this study, indicates that the polymer will have noteworthy mechanical strength 

that can potentially serve to improve the mechanical properties of the alginate biosutures. 

 

Figure 3.10: Gaussian deconvolution of the FTIR spectra of amide I and amide III of gelatin, 

as obtained by means of the second derivative method. The sum of the fitted curves is shown 

as a red line, closely overlapping the experimantal data trace, which is shown as a full black 

line. The secondary structure, as derived from Table 3.2, is indicated above each peak. 

The isoelectric point (PI) of gelatin was determined as 5.198, which indicates that the gelatin 

sample, used in the study, is a type B gelatin, obtained through treatment with a base. This 

would imply that the asparagine and glutamine amino acids of gelatin are almost completely 

converted to aspartic and gluatmic acids respectively, and therefore, differ from the amino acid 

composition of original collagen (Liu et al., 2020).  This slight deviation in structure from native 

collagen, adds to the nonimmunogenicity and lack of antigenicity of the polymer and affirms 

the safety of its use in the study (Aramwit et al., 2015). Figure 3.11 shows the pH of each test 
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tube before and after addition of gelatin (pH0 and pH1), the zeta-potential results, PI point as 

well as a graphical representation of the PI point determination of gelatin. A variation in pH in 

the range of 0.03 to 0.04 pH units, before and after the addition of pectin as was seen in this 

study, demonstrates stability of gelatin in the buffer solutions used.  

 

 

 

 

 

 

 

 

 

 

Figure 3.11: The pH of solutions before and after the addition of gelatin; the corresponding 

zeta-potential and the PI of gelatin with a graphical representation of its determination. 

The isoelectric point can also be highlighted through the addition of methanol and consequent 

changes turbidity of the solutions, with maximum coagulation occuring at the pH nearest to 

the isoelectric point. Alcohol binds and extracts the water that normally hydrates protein 

molecules, leading to water-free micelles that flocculate. As shown in Figure 3.12, the higest 

degree of flocculation was seen in test tube 2 with pH 5.25, which is the measured pH closest 

to the calculated isoelectric point of gelatin and confirms the extrapolated data. 

Figure 3.12: A) Test tube 1 ï 6 presenting as clear solutions before the addition of methanol. 

B) Test tubes 1 ï 6 with different degrees of floculation after the addition of methanol. Arrow 

indicates maximum flocculation in test tube 2 (pH 5.25).  
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3.5.2 Determination of the fibre forming ability of sodium alginate 

 Solutions of different alginate concentrations were prepared and crosslinked to identify a 

concentration range that will yield adequate biosutures. Once sodium alginate came into 

contact with the cations in the crosslinker solution, it immediately solidified and formed fibres, 

due to the synergistic movement of the syringe and pressure on the plunger. Table 3.6 

provides information on the characteristics of the fibres that were produced with different 

alginate concentrations. At concentrations below 4% w/v, fibres were crinkled and non-

uniform, while concentrations above 8% w/v were difficult to extrude and resulted in clumped, 

short fibres (Figure 3.13). A concentration range of 4 ï 8% w/v was determined as suitable for 

biosuture fabrication and a concentration of 6% w/v sodium alginate was used for further 

preliminary studies in this chapter. 

Table 3.6: Observations made for fibres of varying sodium alginate concentrations while in 

the crosslinker solution and after being air dried.  

Alginate 

(% w/v) 

Observation 

Extruded into crosslinker Air dried 

1 Fibres were crinkled and formed a 

web like mesh. 

No adequate fibres were formed. 

2 Fibres were thick, crinkled, and 

non-uniform. 

Fibres were weak and broke instantly 

when handled. 

4 Fibres were adequate but slightly 

crinkled and non-uniform. 

Fibres maintained their structure when 

handled. 

6 Adequate, straight, and uniform 

fibres.  

Fibres were relatively strong and 

flexible but broke when strongly pulled. 

8 Fibres were adequate but clumped 

slightly. 

Fibres were robust and strong.  

10 Fibres were short, clumped, and 

difficult to extrude due to the high 

viscosity of the solution. 

No adequate fibres were formed. 

 



 
63 

 

Figure 3.13: Crosslinked fibres made with varying concentrations of sodium alginate (A) 1%, 

B) 2%, C) 4%, D) 6%, E) 8%, F) 10%), showing the range between 4 ï 8% as most appropriate 

for biosuture fabrications.  

3.5.3 Methods of biosuture fabrication  

3.5.3.1 Extrusion via hand 

Extrusion of the polymer solution via hand produced fibres with varying diameters and an 

irregular morphology. This could be ascribed to the lack of constant, regulated pressure and 

human error. Extrusion via hand was physically challenging, especially for formulations with a 

high viscosity, and extremely time consuming. Yet, the produced fibres showed great similarity 

to commercial sutures in terms of appearance and handling properties but displayed great 

inter-fibre variation, not only in diameter but also in load failure and tensile strength (Table 

3.7). Because of the irregularities found in manually produced biosutures, we decided to rather 

use an automated process, where parameters such as pressure and speed can be definitely 

controlled, for the biosuture fabrication method. 
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Table 3.7: Mechanical properties of biosutures produced with different fabrication methods in 

the straight and knotted configuration. 

 

3.5.3.2 Extrusion via the 3D Bioplotter® (EnvisionTec, GmBH, Germany) 

A video of the 3D printing process can be viewed at https://kapwi.ng/c/P9STLAXdMH and 

pictures of the biosutures directly after crosslinking, found at https://kapwi.ng/c/8pE0yW3AHD. 

There are several advantages to using the 3D Bioplotter for biosuture fabrication, such as tight 

control over both the pressure applied to the syringe plunger and the speed and pattern in 

which the syringe moves. There are, however, also many challenges in using the 3D 

Bioplotter, such as potential clogging of the needle tip. One of the well-known challenges of 

3D bioprinting is to obtain a 3D printable bioink that has the correct texture and viscosity to 

allow for successful printing. Bioinks should preferably display thixotropic flow, be viscous 

enough to prevent leakage from the syringe prior to pressure being applied and solidify in a 

feasible manner (Gopinathan & Noh, 2018). Some of the formulations experimented with in 

the study did not conform to these requirements, but a solution of 6% sodium alginate, could 

successfully be printed into the predesigned pattern without leakage from the syringe and was 

readily solidified by a 1% BaCl2 crosslinker solution. However, higher crosslinker 

concentrations lead to more rapid crosslinking that tended to clog the needle tip and prevent 

constant extrusion of the polymer solution. The concentration of the crosslinker solution has a 

direct impact on the mechanical properties of the biosuture and a lack of freedom to change 

this concentration is not desirable (Naghieh et al., 2018).  

The pressure used during 3D printing is a critical parameter as it influences the morphology 

and diameter of the final biosuture. When a too high pressure was used, the needle again 

cloged up rapidly while a too low pressure led to interrupted and irregular flow of the polymer 

solution. An ideal printing pressure for a 6% sodium alginate solution was found at 0.7 bar. 

The printing speed also affects the diameter of the fibre produced with a lower speed 

Fabrication method Straight configuration 

Load failure  

(N) 

Tensile strength 

(N.mm2) 

Elongation at break 

(%) 

Manual/hand 1.89 ± 5.2 167.11 ± 5.2 14.2 ± 6.3 

3D Bioplotter 2.04 ± 0.64 180.38 ± 0.64 13.87 ± 0.41 

Texture Analyser 2.07 ± 0.63 183.02 ± 0.63 13.77 ± 0.33 

 Knot configuration 

Manual/hand 1.25 ± 4.6 110.52 ± 4.6 4.31 ± 7.1 

3D Bioplotter 1.31 ± 0.33 115.83 ± 0.33  4.39 ± 0.51 

Texture Analyser 1.30 ± 0.37 114.91 ± 0.37 4.47 ± 0.43 

https://kapwi.ng/c/P9STLAXdMH
https://kapwi.ng/c/8pE0yW3AHD
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producing thicker fibres. An optimal fibre diameter could be achieved with a printing speed of 

70mm/sec. The biosutures produced with the 3D Bioplotter were uniform with very little inter-

fibre variation in terms of diameter, load failure and tensile strength as shown in Table 3.7.  

3.5.3.3 Extrusion via the Texture Analyser (TA.XTplus, StableMicroSystems, England) 

Similar to the 3D Bioplotter, the Texture Analyser has several benefits, such as control over 

the compression speed, as well as certain challenges. The first challenge experience with the 

Texture Analyser was again clogging of the needle tip. This problem could, however, easily 

be overcome by using a higher compression speed and manually unclogging the needle tip 

with a spatula, which was not possible with the 3D Bioplotter as the head was constantly 

moving. The primary disadvantage of the Texture Analyser, is that the syringe cannot be 

moved, as in the case of extrusion via hand or with the 3D Bioplotter, which makes it difficult 

to obtain a long, continuous strand. However, this problem was circumvented by moving or 

stirring the crosslinker bath instead of the syringe, which also allowed for long, continuous 

fibre formation. The fibres produced with the Texture Analyser were uniform, linear, and 

closely resembled those produced with the 3D Bioplotter. The mechanical properties of the 

biosuture fibres prepared with the 3D Bioplotter and the Texture Analyser were also very 

similar, as shown in Table 3.7. 

We selected the Texture Analyser as the optimal method of polymer extrusion and biosuture 

fabrication for several reasons. Firstly, various concentrations of both polymers and 

crosslinkers could successfully be utilized without excessive leakage or clogging of the needle 

tips as was seen with the 3D Bioplotter. This can be ascribed to the static nature of the syringe 

and needle which allows for the use of a needle lid and manual unclogging of the tip. Secondly, 

the Texture Analyser is more time efficient, user-friendly, and affordable than the 3D Bioplotter. 

There is no need for special 3D printer syringes or needle tips and different formulations can 

easily be extruded in sequence. Furthermore, the instrumental setup achieved with the 

Texture Analyser and universal syringe rig can easily be mimicked by other laboratories who 

have access to a general syringe pump. This method is also much more feasible in terms of 

large-scale production and keeps the production cost of the biosutures to a minimum. 

 3.5.4 Influence of formulation components and processing conditions on the 

mechanical properties of the biosuture.  

A simple tensile test, as outlined in the United States Pharmacopoeia (USP), provides valuable 

information regarding the mechanical properties of suture materials, which are primarily 

described by the load failure (N), tensile strength (N/mm2) and elongation at break (%) of the 

suture material. Load failure refers to the maximum load (or force) that a single suture fibre 

can withstand before rupturing. The USP provides minimum values for the load failure of each 
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suture gauge as can be seen in Table 3.8 (Tensile Strength. United States Pharmacopeia and 

National Formulary (USP 29-NF 24). Elongation at break gives an indication of the flexibility 

or ductility of the material, which can be defined as the degree to which the material can be 

stretched (and undergo plastic deformation) before failure. A certain degree of ductility is 

necessary for the suture to be able to elongate with wound oedema, but excessive ductility 

can easily lead to wound dehiscence, infection, and other debilitating complications 

(Chiaoprakobkij et al., 2019). A higher elongation at break is also associated with better 

handling properties, knot-tying ability and knot pull tensile strength. Tensile strength, in turn, 

provides more information on the suture materialôs strength in relation to its size and is defined 

as the maximum strength in the stress-strain curve of the material. The tensile strength of the 

suture material must be high enough to ensure that failure will not occur during surgery and 

should be similar to the strength of the biological tissue it is used for (Akgun et al., 2018). 

Table 3.8: USP limits on average diameter and knot pull tensile strength of respective suture 

gauge numbers. Used with permission from (Tensile Strength. United States Pharmacopeia 

and National Formulary (USP 29-NF 24).  

 

 

 

 

 

 

 

 

A more comprehensive picture of the mechanical properties of a suture material can achieved 

by studying the engineering stress-strain curve of the material. This curve can be obtained by 

converting load-displacement data to engineering stress and engineering strain. As shown in 

Figure 3.14, other important parameters such as the youngôs modulus, yield stress and 

toughness of the material can be calculated from this curve. Youngôs modulus (MPa) is defined 

as the slope of the stress-strain curve in the linear (elastic) region and relates to the stiffness 

of the material and its ability to resist plastic deformation. A high youngôs modulus usually 

correlates with a high tensile strength and low elongation at break. The yield stress (N/mm2) 

represents the value beyond which the material undergoes plastic deformation where any 

deformation that takes place will be permanent and irreversible. Toughness (J.mm-3) refers to 
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the ability of the suture to absorb energy and deform before breaking. It is a very useful 

parameter to evaluate the mechanical properties of suture materials, as it provides an idea of 

the balance that is struck between strength and ductility. 

 

Figure 3.14: Schematic representation of a typical stress-strain curve. Adapted with 

permission from (Cooke et al., 1996). 

The load-displacement and stress-strain curves of each suture formulation was, therefore, 

carefully studied and each of the above-mentioned values calculated. This not only provided 

insight as to the influence of the different variables on the mechanical properties of the 

biosuture, but also allowed for the selection of appropriate formulation components.  

3.5.4.1 Pure sodium alginate biosutures 

A basic alginate biosuture, consisting of 6% sodium alginate only, and prepared according to 

the Texture Analyser method described in Section 3.4.3, was first evaluated, and used as a 

baseline to compare subsequent formulations with. The average diameter of the biosutures, 

after extrusion through a 23 G needle, was 0.10 mm and corresponds with a 6-0 suture size. 

Table 3.9 provides the average load at failure, tensile strength, youngôs modulus, elongation 

at break and toughness of the biosutures, while Figure 3.15 shows representative load-

displacement and stress-strain graphs of the neat sodium alginate biosutures. From this figure, 

it is clear to see that the two graphs follow the exact same pattern and has the same shape 

but is expressed in different units. The knotted curve does not display the expected bimodal 

shape, as seen later in the study, presumably because the fibres ruptured before the knot was 

tightened, which signifies low elasticity and poor knot security.  
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Table 3.9: Mechanical properties of biosutures produced from only sodium alginate.  

 

Figure 3.15: A) Representative load vs displacement curve of pure sodium alginate 

biosutures. B) Representative stress vs strain curve of pure sodium alginate biosutures. 

The basic sodium alginate biosuture showed immense promise for application as a suture 

material with good handling properties and an acceptable diameter. However, the tensile 

strength, in both the straight and knotted configuration, was substandard and needed to be 

increased to ensure effective application as a suture material, as well as compliance with the 

USP requirements. The ductility of the pure alginate biosutures were not as high as expected, 

considering the high M/G ratio of the alginate used, and further work is needed to increase the 

ductility and improve the handling properties and knot tying ability of the biosutures.   

3.5.4.2 Addition of a suitable plasticizer 

Plasticizers are a critical part of most natural polymer-based formulations as they dramatically 

improve the flexibility and elasticity of the systems. Plasticizers are known to decrease the 

straight tensile strength of suture materials, while increasing their elongation at break (Sirviö 

et al., 2018). A higher elongation at break usually improves the handling properties, knot-tying 

abilities, and knot tensile strength of suture materials, and could therefore, improve the 

performance of the alginate based biosutures. It is crucial to find the correct plasticizer 

concentration that will not dramatically decrease the tensile strength of the biosuture, but still 

improve the elasticity adequately (Naleway et al., 2015). We investigated three different 

plasticizers namely, propylene glycol, glycerol and triethyl citrate.  

 
Pull configuration 

Load 
failure (N) 

Tensile 
strength 
(N/mm2) 

Youngôs 
modulus 

(MPa) 

Elongation 
at break 

(%) 

Toughness 
(J.mm-3) 

Straight 2.07 ± 0.9 183.12 ± 0.9 0.85 ± 0.3 13.77 ± 0.4 6.17 ± 0.7 

Knotted 1.3 ± 0.6 116.18 ± 0.6 1.31 ± 0.7 4.47 ± 0.5 0.91 ± 0.6 
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Triethyl citrate could not be effectively incorporated into the polymer network and eventually 

lead to phase separation of the system. Propylene glycol, on the other hand, was easily 

incorporated into the system but could be observed diffusing out of the system, during 

crosslinking, and thereafter had a negligible effect on the mechanical properties of the 

biosutures. Glycerol, conversely, displayed strong plasticizing effects, good compatibility with 

the polymer network and effectively increased the percentage elongation of the biosutures. 

This is in accordance with the work of several other researchers who also reported that 

glycerol had the greatest effect on the mechanical properties of polysaccharides, compared 

to other plasticizers (Jantrawut et al., 2017; Muscat et al., 2012; Razavi et al., 2015).  

There could be several reasons for the poor plasticizing effect of propylene glycol, one being 

its low molecular weight (76.09 g/mol) compared to that of glycerol (92.06 g/mol). According 

to Mangavel et al., plasticizer efficacy is dependent on plasticizer molecular weight, with higher 

molecular weight plasticizers displaying greater efficacy (Mangavel et al., 2003). The large 

size of triethyl citrate (276,283 g/mol), however, could have prevented the molecule from being 

fully incorporated into the system, thereby limiting its plasticizing effect (Orliac et al., 2003). 

Alternatively, the lack of interaction between propylene glycol and alginate, could be due to 

the relatively low polarity of propylene glycol, which has a dielectric constant of only 32.0 

compared to 42.5 of glycerol. This suggests that propylene glycol may not have enough dipole 

strength to disrupt the intermolecular bonds between the alginate molecules and can, 

therefore, not position itself effectively between the polymer chains (Drive, 1993). Propylene 

glycol is also known to evaporate and migrate out of polymer networks, due to its relatively 

high volatility compared to that of other plasticizers, which would have resulted in the network 

reverting to its original stiffness (Suyatma et al., 2005). Glycerol, on the other hand, is well 

known for its ability to remain entrapped within a polymer matrix as shown by Orliac et al., who 

found no marked loss of glycerol from crosslinked films over a 3-month period (Orliac et al., 

2003). The strong plasticizing effect of glycerol, can also be ascribed to its asymmetric 

structure and three hydroxyl groups, which can form complex interactions with the polypeptide 

chain and affect the mechanical properties of the polymer network to a greater extend (Ullah 

& Wu, 2013).  

Consequently, we selected glycerol as the most effective plasticizer for the biosutures and 

studied the influence of different concentrations (2, 4, 6, 8, and 10%) on the mechanical 

properties of the fibres in order to find the optimal concentration. Table 3.10 provides the 

mechanical properties of the different formulations in both the straight and knot pull 

configuration. Contrary to what was expected, the addition of glycerol at concentrations 2 ï 4 

% did not cause a decrease in strength, but resulted in an overall increase in load failure, 

tensile strength and elongation at break. This surprising increase in tensile strength can be 
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ascribed to the anti-plasticizing effect that is often observed when low concentrations of 

plasticizer are added to a polymeric system. The exact mechanism is not fully understood but 

according to Lourdin et al., the small amount of plasticizer might act as a type of crosslinker 

by forming strong interactions with the polymer, that will decrease the free volume and mobility 

of the polymer chain. Additionally, a small amount of plasticizer could improve the 

reorganization of the polymer chains and encouarge its arrangement in a crystal lattice, 

thereby increasing the strength of the material (Lourdin et al., 1996).  

Table 3.10: Mechanical properties of biosutures containing different concentrations of 

glycerol, in the straight and knot configuration. 

Yet, the percentage elongation at break was also notably increased with the addition of 

glycerol at low concentrations, which indicates that this phenomenon cannot be fully explained 

by the anti-plasticization effect. Similar effects was, however, seen by Gao et al., who proved 

through X-ray diffraction analyses, that glycerol increases the mobility of alginate chains while 

also promoting the crystallization of the alginate with structural reorganization (Gao et al., 

2017). On the other hand, several other authors have suggested that the plasticizing effect of 

low concentrations of glycerol can be ascribed to the increase in water content of the polymer 

                                                                    

Plasticizer 

 

Straight configuration 

Load failure 

(N) 

Tensile strength 

(N/mm2) 

Elongation at 

break (%) 

Toughness 

(J.mm-3) 

1. Glycerol (0%) 2.071 ± 0.91 183.116 ± 0.91 13.770 ± 0.43 6.168 ± 0.72 

2. Glycerol (2%) 3,027 ± 0.62 267.645 ± 0.62 16.110 ± 0.38 15.128 ± 0.65 

3. Glycerol (4%) 3.239 ± 0.79 286.390 ± 0.79 19.645 ± 0.61 18.524 ± 0.73 

4. Glycerol (6%) 2.826 ± 0.59 249.873 ± 0.59 20.523 ± 0.74 16.199 ± 0.85 

5. Glycerol (8%) 2.406 ± 0.82 212.737 ± 0.82 16.658 ± 0.68 10.521 ± 0.94 

6. Glycerol (10%) 2.698 ± 0.93 238.555 ± 0.93 9.588 ± 0.79 8.331 ± 0.92 

7. Glycerol (12%) 1.493 ± 0.57 132.010 ± 0.57 4.605 ± 0.46 1.223 ± 0.55 

                                                                    

Plasticizer 

 

Knot configuration 

Load at 

failure (N) 

Tensile strength 

(N/mm2) 

Elongation at 

break (%) 

Toughness 

(J.mm-3) 

1. Glycerol (0%) 1.314 ± 0.62 116.183 ± 0.62 4.470 ± 0.51 0.913 ± 0.63 

2. Glycerol (2%) 1.427 ± 0.56 126.174 ± 0.56 6.865 ± 0.72 1.373 ± 0.77 

3. Glycerol (4%) 2.130 ± 0.75 188.333 ± 0.75 9.005 ± 0.87 2.558 ± 0.91 

4. Glycerol (6%) 1.757 ± 0.83 155.352 ± 0.83 6.765 ± 0.70 1.611 ± 0.89 

5. Glycerol (8%) 1.778 ± 0.32 157.209 ± 0.32 5.680 ± 0.63 1.725 ± 0.82 

6. Glycerol (10%) 1.437 ± 0.60 127.058 ± 0.60 4.290 ± 0.75 1.113 ± 0.73 

7. Glycerol (12%) 0.786 ± 0.72 69.497 ± 0.72 9.277 ± 0.98 0.390 ± 0.57 
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system after incorporation of glycerol (Schmid, 2013; Talja et al., 2007). Olivas and Barbosa-

Canovas found a significant increase in the moisture content of glycerol-plasticized alginate 

compared to alginate on its own and ascribed this to the increasing amount of hydroxyl groups 

brought by glycerol which binds water molecules through hydrogen bonding (Olivas & 

Barbosa-Cánovas, 2008). This suggests that, with the addition of glycerol at low 

concentrations, water acts as a plasticizer to increase the elongation at break while glycerol 

improves the structural organization of the alginate chains and thereby increases the tensile 

strength of the material.  

The highest load failure values were found with the addition of 4% v/v glycerol, in both the 

straight and knot configuration (i.e., 3.2 and 2.1 N, respectively). At this glycerol concentration, 

the elongation at break was also substantially improved which suggests that it could potentially 

be the optimal concentration for inclusion in the biosuture formulation. As can be seen in 

Figure 3.16, the stress-strain curves of the biosutures that contain 4% v/v glycerol have vastly 

improved and show a bimodal structure in the knotted configuration, which confirms the 

improved elasticity and ability of the biosuture to tie and secure a knot before rupturing. Higher 

glycerol concentrations, however, lead to variable results where the tensile strength would 

decrease with increase in elasticity, (e.g., 6 and 8% v/v glycerol), or where the tensile strength 

would increase but the elasticity decrease (e.g.,10% v/v glycerol), or as in the case of 12% v/v 

glycerol, where both the tensile strength and elasticity decreased. The low elongation at break 

values seen with higher plasticizer concentrations, is not necessarily a reflection of poor 

elasticity but rather a detrimental decrease in tensile strength that causes the biosutures to 

break before maximum elongation is achieved. Gao et al., also observed lower elongation at 

break values with the addition of higher amounts of glycerol to alginate films and ascribed this 

to a segregation/ exudation phenomena where the intermolecular and intramolecular bonding 

in the alginate network significantly decreases (Gao et al., 2017).  

 
Figure 3.16: Stress-strain curves of biosutures containing 4% v/v glycerol in the straight (A) 

and knotted (B) configuration.  
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Toughness, as mentioned earlier, can be a very useful tensile parameter for sutures and can 

give an indication if the materialôs ability to balance tensile strength and ductility. The highest 

toughness, in both the straight and knotted configuration, was achieved with 4% v/v glycerol 

which displayed a toughness of 18.524 and 2.558 J.mm-3, respectively (shown in bold in Table 

3.10). This suggests that, when 4% glycerol is added to the formulation, the ductility can be 

increased without sacrificing too much of the materialôs tensile strength. Hence, 4% v/v 

glycerol, was selected for inclusion in the biosuture formulation. This plasticizer concentration 

also resulted in the highest knot pull tensile strength, an important factor considering the knot 

is the weakest point of any suture material and confirms the selection of 4% v/v glycerol for 

inclusion in the biosuture formulation. 

3.5.4.3 Addition of pectin as reinforcing agent 

Pectin was the first polymer investigated for its ability to improve the mechanical properties of 

the biosuture. In line with the low concentration of reinforcing agents that are normally used, 

we first studied the effect of 0.5, 1 and 2% w/v pectin and then later evaluated the effect of 

even lower concentrations, i.e., 0.1, 0.2, 0.3 and 0.4% w/v pectin. With the addition of even 

the smallest quantity of pectin to the alginate solution, the behaviour and flow of the polymer 

solution instantly changed. The solution was notably less viscous and shot out of the needle 

tip in a linear fashion which led to straighter and more suture-like fibres, than when alginate 

was used on its own (Figure 3.15 A). Additionally, when pectin was added to the polymer 

solution, the resulting dried biosutures were thinner, with a diameter of 0.08 mm which 

corresponds with a 7-0 suture size, compared to the 0.10 mm diameter of pure alginate 

biosutures which corresponds with a 6-0 suture size (Figure 3.15. B). This substantial 

improvement in morphology provides ample incentive for the inclusion of pectin in the 

biosuture formulation and can be ascribed to the great synergy that is known to exist between 

the two polymers (as described in detail in Section 2 of this chapter).   
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Figure 3.17: Morphology of biosutures consisting of alginate alone (1. A) and alginate plus 

pectin (1. A) and the corresponding diameter of each biosuture fibre ï alginate alone (2. A) 

and alginate plus pectin (2. B).  

The decrease in diameter of an alginate fibre or film, after the addition of pectin, has been 

observed by several authors, including Bierhalz et al., and Walkenström et al., who found a 

change in the microstructure (more compact molecular packing) of a pectin-alginate blend, 

compared to pure polymer networks, that resulted in smaller pore sizes and thinner films 

(Bierhalz et al., 2012; Gohil, 2011; Islan et al., 2012; Walkenström et al., 2003). According to 

Lambrech et al., the addition of pectin to an alginate network, increases the amount of 

molecular interactions and leads to a denser, more compact network that ultimately results in 

a thinner fibre or film, as they proved with SEM and TEM micrographs (Lambrech et al., 2009). 

Yet, the influence of these interactions and the synergy between alginate and pectin, on the 

extrudability of polymer solutions and the mechanical properties of the resulting biomaterials, 
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has not been widely investigated. Figure 3.17 shows the force that is needed to extrude an 

alginate and alginate-pectin solution, from a 23G needle into a crosslinker bath. The alginate-

pectin solution required a lower force (95 N) than the pure alginate solution (107 N), proving 

that pectin improves the extrudability of the biosuture formulation, possibly because of the 

increased interactions and synergistic molecular arrays that form within the polymer blend. 

 

Figure 3.18: The force required to extrude the alginate (blue) and alginate ï pectin (red) 

solutions through a 23G needle into a crosslinker solution as measured with the Texture 

Analyser (T.A.X.T Plus).  

As expected, the synergy between alginate and pectin also improved the mechanical 

properties of the biosuture, which displayed higher load failure, tensile strength, and 

elongation at break values than the pure alginate biosutures. Upon analysis of Figure 3.18, 

which shows the load failure and tensile strength of biosutures containing increasing 

concentrations of pectin, two features become undeniably apparent. The first observation that 

was made, was that pectin had a much more profound impact on the mechanical properties 

of the biosuture when it is in the knotted configuration, compared to the straight configuration. 

Particularly in the low concentration range (0.1 ï 0.5 % w/v pectin) the load failure only varied 

by one or two decimal points in the straight configuration, while in the knotted configuration 

more substantial differences were seen. This can be ascribed to the greater sensitivity of the 

knotted configuration to changes in the biosuture formulation. The knotted configuration 

considers handling, bending, and tying of the biosutures and probably provides a more 

accurate picture of the influence that pectin has on the mechanical properties thereof. The 

second observation that was made from Figure 3.18, are that the mechanical properties were 

better at lower concentrations of pectin, suggesting that the synergy between alginate and 

pectin has a threshold, above which a further increase in pectin concentration leads to a 
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decrease in mechanical performance, as was show in previous studies (Gohil, 2011; 

Walkenström et al., 2003). The highest load failure and tensile strength values were found 

with the addition of only 0.1% w/v pectin, where the load failure for the knotted configuration 

reached 2.024 ± 0.5 N, which exceeds the minimum value (1.76 N) required by the USP.  

 

Figure 3.19: Load failure (N) and tensile strength (N/mm2) of biosuture samples containing 

different concentrations of pectin in the straight (A & C) and knot (B & D) configuration. 

When studying the elongation at break of biosutures containing different concentrations of 

pectin, it was again observed that the knotted configuration was impacted to a greater extent 

than the straight configuration (Figure 3.19). Contrary to what is expected of a crystalline 

polymer like pectin, the elongation at break actually increased with the addition of low 

concentrations of pectin (0.1 ï 0.5 % w/v). However, when pectin was included in 

concentrations of 1 and 2 % w/v, the elongation at break started to decrease. According to 

Gohil, increasing the concentration of pectin in alginate-pectin blends, increases the 

crystallinity of the blend and results in fragile, brittle polymer films when the pectin 

concentration exceeds 10% of the total polymer concentration (Gohil, 2011). When pectin is 

% w/v added to the biosuture formulation, it comprises 14.29% of the total polymer 

concentration, which suggests that pectin has increased the crystallinity of the biosutures to 
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the point where they have become brittle and less elastic, as shown by the low elongation at 

break values observed with high pectin concentrations.  

 

Figure 3.20: Elongation at break (%) of biosuture samples containing different concentrations 

of pectin in the straight (A) and knotted (B) configuration.  

The increase in elongation at break at low concentrations is a very interesting occurrence that 

has also been observed by other authors, including Gohil who ascribed it to the slippage of 

alginate and pectin chains past one another (Audebrand et al., 2006; Galus & Lenart, 2013; 

Gohil, 2011). Yet, the most probable reason for the high elongation at break observed with the 

inclusion of pectin in this study, is the high degree of esterification (DE) of the pectin sample 

that was used. According to Walkenström et al., gels of pectin with a high DE show highly 

branched strands that are more flexible than low methoxy pectin gels where the strands are 

stiff and rigid (Walkenström et al., 2003). Chan et al., also showed that high methoxy pectin 

gels display a broader range of elastic behaviour in strain sweep tests than low methoxy pectin 

(Chan et al., 2017). According to Fang et al., the random distribution of ester groups along the 

pectin chain hinders the lateral association of dimers and induces defects into the formation 

of egg-box dimers, resulting in negligible chain ï chain association and greater elasticity (Fang 

et al., 2008). Yet, Chan et al., proved that the large amount of hydrogen bonds and 

hydrophobic forces between methyl groups of high methoxy pectin, is stronger than the ionic 

bonding of low methoxy pectin, which could explain the high tensile strength seen with high 

methoxy pectin in this study (Chan et al., 2017).  

The ability of pectin to improve the extrudability of the biosuture hydrogel and subsequently 

the morphology of the biosuture fibre, provided ample motivation for its inclusion in the 

biosuture formulation. Yet, the benefits of pectin transcended to include the improvement of 

the mechanical properties of the biosutures, in terms of both strength and elasticity. The 

greatest improvement was seen with 0.1% w/v pectin, which was subsequently selected for 
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inclusion in the biosuture formulation. The inclusion of such a low concentration reinforcing 

agent is further substantiated by the work of Serrano-Aroca et al., who found that a miniscule 

amount of graphene oxide (also 0.1% w/v) had a substantial impact on the mechanical 

properties of a crosslinked alginate film and was able to increase its compressive modulus 

than four times (Serrano-Aroca et al., 2017). 

3.5.4.2 Addition of nanocellulose as reinforcing agent  

Low concentrations of the reinforcing agent NCF, i.e., 1, 0.5 and 0.25% w/v, were studied. 

The diameter of the biosutures (± 0.10 mm) remained the same, before and after the addition 

of NCF, but the surface morphology changed considerably. The fibres changed from smooth, 

linear, and uniform to irregular and uneven with rugged edges (Figure 3.20).  At each of the 

concentrations investigated, the load failure, tensile strength and elongation at break 

dramatically decreased, for both the straight and knotted configuration, as shown in Table 

3.11. With the addition of only 0.25% w/v NCF, the load failure and elongation at break were 

more than halved, while the elongation at break decreased by over 30% for both the straight 

and knotted configuration. When the NCF concentration was increased to 0.5% w/v, the load 

failure was similarly low in the straight configuration but dropped a further 19% in the knotted 

configuration, while the elongation at break also dramatically declined. With the use of 1% w/v 

NCF, the biosutures became notably brittle and difficult to handle. In attempts to tie a knot with 

these biosutures, they would instantly break without forming a proper knot. Subsequently, no 

data could be collected for the knot-pull tensile strength of biosutures containing 1% w/v NCF. 

Table 3.11: The load failure, tensile strength, and elongation at break of biosutures containing 

different concentrations of CNF, in the straight and knot configuration. 

Nano-

cellulose 

(% w/v) 

Straight-pull Knot-pull 

Load 

failure  

(N) 

Tensile 

strength 

(N/mm2) 

Elongation 

at break  

(%) 

Load 

failure  

(N) 

Tensile 

strength 

(N/mm2) 

Elongation 

at break 

(%) 

0 2.07 ± 0.9 183.11 ± 0.9 13.77 ± 0.4 1.30 ± 0.6 114.94 ± 0.6 4.47 ± 0.5 

0.25 1,35 ± 0.8 119,54 ± 0.8 4,83 ± 0.5 0,89 ± 0.1 79,41 ± 0.1 1,39 ± 0.7 

0.5 1,58 ± 0.9 140,41 ± 0.9 3,70 ± 0.8 0,64 ± 0.3 57,38 ± 0.3 1,59 ± 0.8 

1 0,87 ± 0.7 77,10 ± 0.7 3,86 ± 0.7 - - - 

The complete inability of CNF to improve the mechanical properties of the biosutures can be 

ascribed to agglomeration of the nanoparticles within the biosuture. One of the greatest 

challenges, with the use of nanoparticles as reinforcing agents, is to obtain proper particle 

dispersion (Zare, 2016). Despite a vast amount of research on the subject, agglomeration of 

nanoparticles remains a significant problem and the obtainment of a completely homogeneous 

dispersion of individual particles is remarkably difficult (Kargarzadeh et al., 2017). 
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Researchers employ different techniques to overcome agglomeration, including chemical 

modification, sonification and physical coating (Jiang et al., 2009). Several authors have 

shown that nanocellulose materials are highly segregated in an aqueous environment and that 

ultrasonication of nanocellulose in water is an efficient method of obtaining a homogeneous 

dispersion (Deepa et al., 2020; Shen et al., 2017; Zhou et al., 2018). Hence, in the current 

study, nanocellulose was ultrasonicated in an aqueous medium for 15 minutes, before addition 

to the polymer solution, and again after blending with alginate to obtain a homogenous, well 

dispersed polymer blend.  

 

Figure 3.21: A) Microscopic image of the cellulose nanofibrils (CNF), illustrating their tendency 

to entangle and agglomerate. B) Microscopic image of biosutures consisting of alginate and 

CNF (top) and alginate alone (bottom). Arrows indicate CNF agglomerates. Note that fibres 

are in the wet, swollen stated and diameters do not correlate with the final dry biosuture fibre 

diameter.  

Even though a seemingly homogenous polymer solution was obtained with no particles visible 

within the solution, light microscope images revealed CNF aggregates within the biosuture 

fibre after extrusion (Figure 3.20). This can be due to the method of biosuture fabrication 

namely, extrusion, which takes place under high pressure and increases the tendency of 

particles to aggregate. It can also be ascribed to the morphology of CNF (Figure 3.20), which 

is more prone to entanglement than CNC because of their high aspect ratio and the length of 

the fibres (Siqueira et al., 2019). According to Kargarzadeh et al., the extrusion parameters 

are of critical importance and excess loads or high stress can lead to a heterogeneous 

suspensions that will ultimately affect the physical properties of the composite (Kargarzadeh 

et al., 2017). This is in line with work done by Alloin et al., who found significant differences in 

the mechanical properties of CNF-alginate films produced by different methods, i.e., extrusion, 

casting and evaporation (Alloin et al., 2011). In fact, several other authors have also found 

that CNF can actually degrade the mechanical properties of the composite, due to 
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agglomeration and stronger filler-filler interactions that filler-polymer interactions (De Castro 

et al., 2016; Kargarzadeh et al., 2017; Lemahieu et al., 2011). Wang et al., showed that 

alginate-CNF composite films had a rough surface with cracks, holes and aggregated fibres 

compared to the smooth, homogeneous surface of pure alginate films, similar to what was 

seen in the current study (Wang et al., 2017).  

Due to the high degree of agglomeration of the CNF particles in the biosutures that cannot be 

avoided, the rough surface properties of fibres containing CNF and especially the diminutive 

effect of CNF on the mechanical properties of the biosutures, we decided not to include this 

polymer into the biosuture formulation.   

3.5.4.3 Addition of gelatin as reinforcing agent  

Gelatin proved to be an effective reinforcing material and similar to pectin, had a profound 

impact on the biosuture as a whole. The diameter remained the same as without the addition 

of gelatin, but the load failure, tensile strength, elasticity, and general handling properties 

vastly improved, as shown in Table 3.13. The maximum load that the biosuture could 

withstand increased with increasing concentrations of gelatin, reached a maximum at 3% w/v, 

and then started to decrease again. The same trend was seen for the tensile strength and 

elongation at break in both the straight and knotted configurations. The increased tensile 

strength can be ascribed to electrostatic interactions between sodium alginate and gelatin, as 

well as the greater amount of hydrogen bonds in the network due to the addition of gelation 

(Xiao et al., 2001b).  

Table 3.12: Mechanical properties of biosutures containing different concentrations of gelatin.  

Alginate 
content 
(% w/v) 

Gelatin 
content 
(% w/v) 

Load failure  
(N) 

Tensile 
strength 
(N/mm2) 

Elongation at 
break (%) 

Straight configuration 

6 0 2.071 ± 0.91 183.116 ± 0.91 13.77 ± 0.43 

6 0.75 2.115 ± 0.72 187.007 ± 0.72 14.26 ± 1.04 

6 1.5 2.253 ± 0.81 199.208 ± 0.81 17.31 ± 0.72 

6 3 3.439 ± 0.67  304.074 ± 0.67 20.52 ± 0.64 

6 6 2.721 ± 0.77 240.589 ± 0.77 15.19 ± 0.97 

Knotted configuration 

6 0 1.314 ± 0.62 116.183 ± 0.62 4.47 ± 0.51 

6 0.75 1.359 ± 0.81 120.161 ± 0.81 7.05 ± 0.63 

6 1.5 1.439 ± 0.89 127.235 ± 0.89 9.19 ± 0.78 

6 3 1.923 ± 0.78 170.031 ± 0.78 10.06 ± 0.85 

6 6 1.541 ± 0.91 136.254 ± 0.91 7.79 ± 0.65 
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Yet, most authors report the same trend that is seen in the current study where the tensile 

strength initially increases with higher gelatin concentrations and then suddenly decreases 

again (Distler et al., 2021; Dong et al., 2006; Fan et al., 2005). According to Wang et al., there 

exists a very specific optimal additive amount of gelatin for each alginate-based platform at 

which the mechanical properties of the material will reach a peak. The authors suggest that 

gelatin and alginate are highly compatible at this point, but once gelatin is added in an 

excessive amount, the compatibility is lost and the mechanical properties of the material 

deteriorates (Wang et al., 2019). Similarly, Fan et al., showed that if gelatin exceeds 30% of 

the total polymer concentration of a gelatin-alginate blend, the alginate solution becomes 

destabilized and phase separation occurs (Fan et al., 2005). In the current study, the 

combination of 6% w/v alginate with 3% w/v gelatin resulted in the highest load failure (3.4 

and 1.9 N), tensile strength (304 and 170 N/mm2) and elongation at break (20 and 10 %) in 

the straight and knotted configuration respectively, suggesting that this is the sweet spot for 

maximum compatibility between alginate and gelatin. This is in accordance with the work of 

Fadnavis et al., who found that maximum reinforcement of sodium alginate can be achieved 

with 3% gelatin as well as that of Dong et al., who advised the inclusion of 20 ï 50% gelatin 

to alginate-gelatin films for optimal mechanical performance (Dong et al., 2006; Fadnavis et 

al., 2003).  

The weighty effect that gelatin had on the elasticity of the biosutures can clearly be seen in 

the stress ï strain curves of biosutures containing different concentrations of gelatin (Figure 

3.21). The increase in the elongation at break and the strain that the biosutures could 

withstand, can be ascribed to the recognized plasticizing effect of gelatin which stems from its 

hygroscopic nature and tendency to absorb water molecules, which then act as plasticizers 

within the polymeric system. The elongation at break also reached a maximum with the use 

of 3% w/v gelatin and thereafter decreased, suggesting that the blend has weakened and is 

no longer able to withstand the same amount of strain. Hence, 3% w/v gelatin was the clear 

choice for inclusion in the biosuture formulation.  
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Figure 3.22: Representative stress-strain graphs (straight configuration) of biosutures 

containing different concentrations of gelation. 

3.4.5.6 Selection of the appropriate crosslinker concentration.  

In order to find the best crosslinker concentration and ratio, we studied the combination of 

BaCl2 and epichlorohydrin (ECH), by varying the concentration of the crosslinkers, one at a 

time, keeping the concentration of the other crosslinker constant. The biosuture formulation 

contained not only alginate (6%), but also glycerol (4%), pectin (0.1%) and gelatin (3%), to 

ensure effective crosslinking of the system as a whole. The load failure, tensile strength and 

elongation at break results are provided in Table 3.13 and Table 13.14. It became clear early 

on that, as was the case with the plasticizer concentration, the ideal crosslinker concentration 

will be the result of a compromise between the tensile strength and elasticity of the biosutures.  

Table 3.13: Mechanical properties of biosutures crosslinked with different BaCl2 

concentrations.  

BaCl2 

(% w/v) 

ECH  

(% v/v) 

Straight configuration 

Load failure  

(N) 

Tensile strength 

(N/mm2) 

Youngôs modulus  

(MPa) 

Elongation at 

break (%) 

1 0.5 2.692 ± 0.6 238.02 ± 0.6 1.16 ± 1.1 18.49 ± 0.68 

2 0.5 3.118 ± 0.7 275.69 ± 0.7 2.32 ± 0.9  6.34 ± 0.84 

4 0.5 2.854 ± 0.6 252.35 ± 0.6 2.74 ± 0.9 4.84 ± 0.75 

  Knotted configuration 

1 0.5 1.719 ± 0.9 151.99 ± 0.9 1.01 ± 1.2 9.82 ± 0.96 

2 0.5 1.896 ± 0.7 167.64 ± 0.7 1.34 ± 1.0 7.99 ± 0.87 

4 0.5 1.652 ± 0.8 146.06 ± 0.8 1.36 ± 1.1 5.12 ± 0.97 
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We first studied the effect of different BaCl2 concentrations (1, 2 and 4% w/v) on the 

mechanical properties of the biosutures. Fibres that were crosslinked by 1% BaCl2 and 0.5% 

ECH, had the lowest tensile strength (238.025 and 151.993 MPa), but the highest elongation 

at break (15.497 and 9.82%), in both the straight and knotted configuration. According to 

Cuadros et al., the ionic crosslinker concentration must exceed the stoichiometric 

requirements of the carboxylate groups of alginate, several times, before maximum tensile 

strength can be observed (Cuadros et al., 2012). They, and other authors, suggest that the 

carboxylic-binding sites throughout the entire alginate matrix, is only saturated once the CaCl2 

concentrations exceeded 1.4 % w/v (Li et al., 2016; Oh et al., 2020). The addition of pectin to 

the current polymer blend, increases the amount of available crosslinking sites and suggests 

that an even higher crosslinker concentration is needed to fully crosslink the biosutures and 

obtain maximum tensile strength. The high elongation at break also suggests a very low 

degree of crosslinking with 1% BaCl2, were the polymer chains are not as closely packed but 

have a greater mobility and where more space is available for water molecules to adhere and 

plasticize the polymer fibres (Seixas et al., 2013). This high measure of elongation at break is 

not desirable in suture materials where too flexible materials have been linked to gaping 

wounds and hernia formation (Greenberg & Clark, 2009).  

Biosutures crosslinked with 4% BaCl2 and 0.5% ECH, displayed both lower tensile strength 

(252.349 and 146.068 MPa) and lower elongation at break (4.84 and 5.122%) in the straight 

and knotted configurations, than the other biosutures. It is possible that the high crosslinker 

concentration lead to rapid crosslinking of the carboxylate groups on the surface of the fibres 

and prevented further penetration of the crosslinker molecules to the matrix of the fibre (Liling 

et al., 2016). However, the high aspect ratio of the biosutures make this an unlikely possibility 

as there is very little matrix for the molecules to penetrate. Alternatively, the low elongation at 

break and particularly high youngôs modulus of the biosutures crosslinked with 4% BaCl2 

suggest a high degree of crosslinking that lead to stiff, brittle, and weak fibres (Park et al., 

2018). It is also possible that some of the salt molecules, that were in excess, got trapped 

within the crosslinked matrix leading to weak points and uneven crosslink distribution as was 

described by Kim et al., (Kim et al., 2000).  

Crosslinking with 2% BaCl2 and 0.5% ECH, resulted in biosutures with a higher tensile strength 

(275.691 and 167.643 MPa), than the BaCl2 concentrations discussed above, and a medium 

to low elongation at break (6.347 and 7.99%), again in the straight and knotted configuration. 

This suggests that with the use of 2% BaCl2, there is sufficient barium molecules available to 

saturate the crosslinking sites of the polymer matrix and form a stable, thoroughly crosslinked 

egg-box structure (Costa et al., 2018). The higher tensile strength also suggests efficient 

crosslinking of both alginate and pectin that could lead to a stronger, more cohesive fibre 
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(Seixas et al., 2013). The denser packing of the polymer chains, after full crosslinking, would 

naturally inhibit their movement and is well known to result in a lower elongation at break and 

ductility (Ibrahim et al., 2019).  

Table 3.14: Mechanical properties of biosutures crosslinked with varying concentrations of 

ECH, in the straight and knotted configuration.  

BaCl2 

(% w/v) 

ECH  

(% v/v) 

Straight configuration 

Load failure  

(N) 

Tensile strength 

(N/mm2) 

Youngôs modulus  

(MPa) 

Elongation at 

break (%) 

2 0 3.408 ± 0.9 301.3 ± 0.9 1.99 ± 1.1 10.77 ± 0.57 

2 0.25 2.929 ± 0.8 258.98 ± 0.8 2.29 ± 1.2 7.32 ± 0.75 

2 0.5 3.195 ± 0.6 282.5 ± 0.6 2.93 ± 1.1 5.85 ± 0.77 

2 1 2.204 ± 0.8 194.87 ± 0.8 3.64 ± 1.0 3.84 ± 68 

  Knotted configuration 

2 0 2.071 ± 0.8 184.61 ± 0.8 0.73 ± 0.9  9.37 ± 0.82 

2 0.25 1.638 ± 0.6 144.83 ± 0.6 1.43 ± 1.1 8.37 ± 0.95 

2 0.5 1.619 ± 0.7 143.15 ± 0.7 1.47 ± 0.8 7.75 ± 0.81 

2 1 0.760 ± 0.4 67.19 ± 0.4 1.85 ± 0.9 4.84 ± 0.83 

 

Next, we studied different concentrations of ECH (0, 0.25, 0.5 and 1% v/v) while keeping the 

BaCl2 constant at 2% w/v, since this concentration produced biosutures with the highest 

tensile strength thus far. We also studied 2% BaCl2 on its own without the addition of ECH 

(0% v/v), in order to analyse the effect of ECH on the mechanical properties of the biosutures. 

Surprisingly, the 2% BaCl2 on its own provided biosutures with the highest tensile strength 

(301.334 and 184.619 MPa) and greatest elongation at break (8.77 and 9.372%) in both the 

straight and knotted configuration, as show in Table 3.14 and Figure 3.22. The use of 

increasing concentrations of ECH, lead to a subsequent decrease in the tensile strength and 

elongation at break of the biosutures, with the lowest values observed with 1% ECH. The 

youngôs modulus of the biosutures also drastically increased with the use of ECH, which 

suggests that the formation of covalent bonds in the biosutures (as proved by FTIR) lead to 

greater crystallinity and stiffness. This is in accordance with the work of other researchers, 

such as Pan et al., who found that the use of glutaraldehyde as a chemical crosslinker, in 

addition to CaCl2 as a physical crosslinker, dramatically effected the stiffness of alginate 

scaffolds and eventually lead to a decrease in tensile strength (Pan et al., 2016). When BaCl2 

(2% w/v) is used on its own, it provides a good balance between tensile strength and ductility 

that could not be achieved at lower concentrations of BaCl2 or with the addition of ECH, as 
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seen in Figure 3.22. Therefore, we selected 2% w/v BaCl2 as the optimal crosslinker 

concentration for the current study. 

 

Figure 3.23: A) Tensile strength and B) Elongation at break of biosutures crosslinked with 

different concentrations of the crosslinkers, Barium chloride (BaCl2) and Epichlorohydrin 

(ECH), in the straight and knotted configuration.  

3.5.4.4 Selection of the optimal drying method 

According to Bagheri et al., drying conditions have a profound impact on the physical 

characteristics, and especially the mechanical properties, of glycerol-plasticized alginate films 

(Bagheri et al., 2019). Drying, which is the process of simultaneous mass and heat transfer, 

is accompanied by different factors, such as temperature and air flow rate, that can have a 

direct impact on the characteristics of the biosutures. Temperature may influence and alter 

the physiochemical properties of the polymers, while air flow may change the moisture content 

of the biosutures, both of which can affect the final product properties. Hence, we studied the 

mechanical properties of biosutures produced under different drying conditions namely, 

normal air drying at room temperature (22 ± 2°C) and 50% relative humidity, under lamellar 

flow in a fume hood, and in an oven at 35°C, in order to select the optimal method.  

Table 3.15 shows the load failure, tensile strength, youngôs modulus, and elongation at break 

of biosutures produced under different drying conditions in the straight and knotted 

configuration. The lowest straight and knotted load failure was seen in biosutures dried at 

room temperature (2.756 and 1.393 N), followed by those dried at 35°C in the oven (3.150 

and 1.743 N) and the highest load failure was seen in biosutures dried under lamellar flow 

(3.824 and 1.819 N). The same trend was also seen in the tensile strength, youngôs modulus, 
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and elongation at break of the biosutures, despite slight differences in the diameter of the 

biosutures dried under different conditions, as shown in Table 3.15. 

Table 3.15: Diameter and mechanical properties of biosutures dried under different drying 

conditions, in the straight and knotted configuration.  

The elongation at break and youngôs modulus, which both refer to the elasticity and bendability 

of the biosutures, was greatly impacted by the drying method used. Figure 3.23 shows the 

stress-strain curve of the biosutures dried in different conditions, in the straight configuration, 

and provides a good visual representation of the impact that drying conditions have on the 

mechanical properties of the biosutures. 

 
Figure 3.24: Stress-strain curves of biosutures dried under different drying conditions, as 

evaluated in the straight configuration.  

Drying 
method 

Diameter 
(mm) 

Load 
failure (N) 

Tensile 
strength 
(N/mm2) 

Youngôs 
modulus 

(MPa) 

Elongation 
at break 

(%) 

Straight configuration 

Airdried (25°C) 0.15 2.75 ± 0.51 243.68 ± 0.51 0.53 ± 0.72 18.5 ± 0.87 

Lamellar flow 0.10 3.82 ± 0.55 338.12 ± 0.55 0.85 ± 1.03 16.37 ± 0.97 

Oven dried 

(35°C) 

0.07 3.15 ± 0.43 278.52 ± 0.43 2.86 ± 1.41 4.92 ± 0.91 

Knotted configuration 

Airdried (25°C) 0.15 1.39 ± 0.61 123.16 ± 0.61 0.64 ± 1.07 12.25 ± 0.78 

Lamellar flow 0.10 1.82 ± 0.52 160.83 ± 0.76 1.31 ± 1.39 9.88 ± 0.73 

Oven dried 

(35°C) 

0.07 1.74 ± 0.63 154.12 ± 0.65 2.17 ± 1.01 4.43 ± 0.94 
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Biosutures dried in normal air had the highest elongation at break, in both the straight and 

knot configuration (18.5% and 12.25%, respectively), as well as the lowest youngôs modulus 

(0.537 and 0.64), which is normally associated with high levels of elasticity (Gu et al., 2005). 

This may be due to a higher moisture content in airdried fibres, compared to those produced 

by other drying methods, that resulted in a higher level of plasticity. This was also seen by 

other researchers such as Homez-Jara et al., who showed that films dried at low temperatures 

(2 and 25°C), had greater moisture content and elasticity than films dried at high temperatures 

(40°C) (Homez-Jara et al., 2018). The diameter of airdried fibres was also larger than the rest, 

which again points to a greater moisture content and less effective evaporation of water from 

the biosutures. A high moisture content will also explain the poor mechanical properties of the 

fibres as the polymer matrix is still hydrated, with more space between the polymer chains and 

weaker interactions between the molecules (Smyth et al., 2018).  

On the other hand, biosutures that were dried in the oven at 35°C, tended to break early on in 

the tensile test and displayed low elongation at break values in both the straight and knotted 

configuration (4.918% and 2.685%, respectively), despite the load failure being relatively high. 

The youngôs modulus of these fibres was particularly high (2.869 compared to the 0.537 and 

0.853 MPa of airdried and lamellar flow dried fibres), indicating that the fibres were particularly 

stiff and difficult to bend. This can be ascribed to over drying of the biosutures or evaporation 

of glycerol from the formulation, which would naturally have left the fibres brittle and inelastic.  

Bagheri et al., found that glycerol content of alginate films decrease with increasing drying 

temperature and time (Bagheri et al., 2019). Similarly, da Silva et al., showed that considerable 

glycerol evaporation can already occur from 30°C and subsequently influence the mechanical 

properties of alginate films. As was seen in the current study, da Silva et al., also reported a 

lower tensile strength in oven dried films, compared to other drying methods, which they 

ascribed to significant water loss and glycerol evaporation (da Silva et al., 2012).  

Biosutures that were dried under lamellar flow in a fume hood displayed surprisingly 

favourable elongation at break values in both the straight and knotted configuration. The 

elongation at break in the straight configuration was slightly lower (16.373%) than that of fibres 

airdried at room temperature (18.5%), but considerably higher than that of fibres that were 

dried in the oven (4.918%). The exact same pattern was witnessed in the knot configuration, 

with airdried fibres at 12.25 %, those under lamellar flow at 9.88 % and oven dried fibres at 

4.435 %. The diameter of the biosutures was also between that of the biosutures produced by 

the other two drying methods, i.e., 0.10 mm compared to 0.15 mm of airdried fibres and 0.07 

mm of oven dried fibres. This would suggest that lamellar flow as a drying method, removes 

more water from the fibre than normal air drying at room temperature, but less than drying at 

35°C in an oven, and might therefore provide a good balance between tensile strength and 
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ductility in the biosutures. It is also possible that the increased rate of water removal and 

directional air movement in the lamellar flow fume hood improved the alignment of the polymer 

chains in the matrix, which resulted in improved mechanical properties in the biosutures 

(Marzec & Pietrucha, 2018). The youngôs modulus of biosutures dried under lamellar flow was 

relatively low (0.853 MPa) compared to the high load failure and tensile strength of the 

material. This suggests that the biosutures are easy to bend and deform but can still withstand 

high amounts of pressure, which is valuable combination in suture design. Hence, we selected 

lamellar flow in a fume hood as the optimal drying method.  

3.6 Conclusion 

In this chapter, we first drew a theoretical basis for the selection of key materials that are 

included in the study and did a thorough characterization of the four main polymers (i.e., 

sodium alginate, pectin, nanocellulose and gelatin) via FTIR. We confirmed the ability of 

sodium alginate to form suture-like fibres, that closely resemble synthetic sutures in terms of 

look and feel, and confirmed the best method of biosuture fabrication namely, extrusion via 

the Texture Analyser (TA.XTplus). Next, we set out to improve the mechanical properties of 

the pure sodium alginate fibres through a thorough investigation of the effect that several 

potential formulation components and fabrication parameters, can have on the mechanical 

properties of the biosutures.  

We found that pectin drastically improves the extrudability, morphology and linearity of the 

biosutures while improving the load failure and tensile strength, if used at low enough 

concentrations. Nanocellulose, on the other hand, had a diminutive effect on the mechanical 

properties of the biosutures and resulted in rough fibres with varying diameters. This was 

ascribed to agglomeration of the nanofibrils during the extrusion process, despite proper 

dispersion and homogenization of the nanofibril solution prior to extrusion. Gelatin also had a 

favourable effect on the mechanical properties of the biosutures and managed to improve, not 

only the load failure and tensile strength of the fibres, but also the elongation at break or 

ductility. Glycerol was selected as the optimal plasticizer for use in the current study, due to 

its commendable ability to plasticize the biosutures without causing a significant decrease in 

tensile strength. The final optimized biosuture formulation consisted of alginate (6% w/v), 

pectin (0.1% w/v), gelatin (3% w/v) and glycerol (4% v/v). The crosslinker ratio and 

concentration also had a noteworthy impact on the mechanical properties of the biosutures 

and, contrary to our initial proposal of a dual crosslinking approach, we decided to only use 

BaCl2 (2% w/v) as crosslinker, due to the good balance between tensile strength and elasticity 

that it provides. Lastly, we identified lamellar flow in a fume hood as the optimal drying method 

for the biosutures due to the superior mechanical properties of the fibres produced under these 

conditions.  
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CHAPTER 4: APPROACHES TO THE CONFIGURATION OF A DRUG-ELUTING 

BIOSUTURE WITH OPTIMAL METHOD SELECTION. 

 

4.1 Introduction 

In light of the widespread use of suture materials and their profound impact on the success of 

major surgical procedures, it is only logical that researchers are now focused on improving the 

therapeutic efficacy of sutures, in addition to their mechanical performance (Prithyani et al., 

2021). One of the principal methods in which this can be achieved, is by transforming suture 

materials into drug delivery devices. Other emerging methods include cell seeded sutures, 

smart self-tightening sutures and photosynthetic sutures for local delivery of oxygen and 

growth factors (Alshomer et al., 2017; Centeno-Cerdas et al., 2018). The deep-seated benefits 

of using sutures as drug delivery devices, as mentioned in previous chapters, suggest that 

drug-eluting sutures will enjoy still increasing attention in years to come. In the case of 

microvascular surgery (MVS), drug-eluting sutures can provide a long-awaited solution to 

several troubling complications, such as ischemic reperfusion injury (IRI) and thrombosis, 

which cannot be successfully or safely overcome through traditional systemic drug 

administration.  

In this study, dexamethasone will be employed as a model drug to study and evaluate different 

methods of drug loading. Dexamethasone is a potent glucocorticoid with very limited 

mineralocorticoid activity and well-known immunosuppressant and anti-inflammatory activity, 

that is achieved through various genomic and nongenomic mechanisms (Johnson et al., 

2018). Dexamethasone is particularly valuable in cases of leuko-embolization, which often 

occurs during IRI and the no-reflow phenomenon, as the drug sequesters polymorphonuclear 

neutrophils (PMN) in the microvasculature, by simply altering the surface properties of PMNs, 

which in turn affects their adherence and aggregation in the vasculature (Takahira et al., 

2001). Through this action, dexamethasone is also able to suppress superoxide production 

and release, prevent neutrophil degranulation and hence limit the amount of harmful or toxic 

metabolites that can be released once reperfusion is initiated (Concepcion & Zhang, 2018). 

Yet, the full mechanism of action of glucocorticoids, in the context of IRI, is not well understood. 

According to Kumar et al., dexamethasone significantly ameliorates acute IRI injury, if it is 

administered at the onset of reperfusion, but they suggest a neutrophil-independent, receptor-

dependant, nongenomic mechanism of action that involves the inhibition of caspase-9 and 

caspase-3 (Kumar et al., 2009). On the other hand, dexamethasone, has also been found to 

reduce apoptosis and necrosis of proximal cells during the no-reflow phenomenon, 
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supposedly through the inhibition of phospholipase A2 and the improvement of blood flow 

(Dolan et al., 1995b).  

Regardless of the mechanism of action, several authors have illustrated that dexamethasone 

can be useful in the clinical setting of MVS, if administered at high concentrations, from the 

onset of reperfusion until the risk of no-reflow has subsided (approximately 1 week) (Carroll & 

Esclamado, 2000; Rezkalla, 2002; Sayed & Sayed, 2020; Speir et al., 2015; Ummat & Zells, 

1980). However, continued systemic administration of high dosages dexamethasone can 

cause undesired immunosuppression and place patients at risk for nosocomial or other 

infections. Additionally, significant drug amounts must be administered continually in order to 

achieve and maintain therapeutic drug levels at the site of action, which is unnecessarily costly 

and places additional stress or the bodyôs elimination systems (Lei et al., 2018). Hence, in this 

study we will strive to transform the newly developed biosuture material into a drug delivery 

device that can release dexamethasone immediately upon implantation and continue to 

release the drug for approximately 7 days, whereafter the risk of the no-reflow phenomenon 

will have subsided. This form of localised drug delivery can provide high local drug levels 

without the risk of systemic side effects and will not require additional time and effort from the 

surgeon and nursing staff.  

A last reinforcing argument for the use of dexamethasone as model drug in this study, is its 

availability in both a water-soluble salt form (dexamethasone 21-phosphate disodium salt) and 

the original lipid-soluble form. This provides us with the opportunity to study different methods 

of drug loading that are suitable for either hydrophilic or hydrophobic drug molecules and 

thereby extends the scope and applicability of this study. Four methods of drug loading will be 

investigated in this chapter ï two using the water-soluble form of the drug (method A and B) 

and two using the lipid soluble form (method C and D). For the first method (method A), the 

drug will be added to the biopolymer solution before extrusion into the crosslinker solution for 

incorporation of the drug into the biosuture matrix. This is a simple and common method of 

drug loading that has previously been used with great success in the preparation of alginate 

beads and nanoparticles (Hasnain et al., 2020; Nguyen et al., 2021). Method B will be 

performed by immersion of the already crosslinked biosuture in a drug-saline solution for 

absorption of the drug molecule onto the biosuture. This is a more indirect method of drug 

loading that is less often used. For the methods employing the lipid-soluble drug form, the 

biosutures will be coated with a lipid-drug layer. Soy phosphatidylcholine (SPC) will be used 

for method C and palmitic acid for method D. Both these lipids are of natural origin and play 

very distinct physiological roles in the human body which safeguards their excellent 

biocompatibility  (Carta et al., 2017; Drescher & van Hoogevest, 2020). SPC has ensured 

numerous commendable accomplishments in the field on drug delivery and displays several 
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favourable attributes as a drug carrier, i.e., high loading capacity, controlled release abilities 

and flexible physiochemical and biophysical properties (Le et al., 2019). Palmitic acid is the 

most widely encountered fatty acid in the human body and is commonly used as a drug carrier 

in the fabrication of micelles, nanoparticles and microspheres for drug delivery (Gong et al., in 

press; Sethi et al., 2021). These two lipids, however, have very different chemical structures 

and physiochemical properties and should, therefore, provide distinctly different drug release 

profiles.  

In this chapter, the different drug loading methods will be thoroughly investigated by studying 

the drug loading capacity and drug release profile, provided by each method. The influence of 

the different drug loading methods on the degradation and mechanical properties of the 

biosutures will also be studied. After careful consideration of all these parameters, the most 

appropriate method of drug loading for this study will be identified and carried through to 

subsequent chapters.  

4.2 Materials and methods 

4.2.1 Materials 

Sodium alginate, pectin from citrus peel, and gelatine was purchased from Sigma-Aldrich (St. 

Louis, MO, USA). Barium chloride 2-hydrate and glycerol (Mw=92.1g/mol) was purchased 

from LabChem (Founderôs hill, Johannesburg, SA). Phosphate buffered saline (PBS) tablets 

and methanol were purchased from Rochelle Chemicals (Electron, Johannesburg, SA). 

Dexamethasone (392,46 g/mol) and dexamethasone 21-phosphate disodium salt (516,40 

g/mol) were also procured from Sigma-Aldrich (St. Louis, MO, USA). Palmitic acid and Soy 

Phosphatidylcholine (PDC) with 95% purity were obtained from Avanti Polar Lipids (Alabaster, 

AL, USA).  

4.2.2 Methods of drug loading 

A) Direct addition of dexamethasone to the biopolymer solution 

Biosutures were prepared as described in the previous chapter, with small alterations. Briefly, 

the biopolymers were separately dissolved in deionized water and combined with the 

plasticizer to obtain a solution containing 6% w/v alginate, 0.1% w/v pectin, 3% w/v gelatin 

and 4% w/v glycerol. For drug loading method A, dexamethasone 21-phosphate disodium salt, 

was also dissolved separately in deionized water and combined with the biopolymer solution 

to obtain a final drug concentration of 25 mg/mL. The biopolymer solution was homogenised 

and sonicated to remove unwanted air bubbles and then extruded, using the Texture Analyser 

(TA. XT plus, Stable Micro Systems, England), into a crosslinker solution (BaCl2, 2% w/v) for 

biosuture fabrication. The drug-loaded biosutures were washed to remove excess crosslinker, 
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dried in a fume hood for approximately 40 minutes, and stored in airtight zip lock bags until 

further characterization.   

B) Immersion of the biosuture in a drug-saline solution 

Biosutures were prepared exactly as described in the previous chapter, followed by immersion 

of the dried biosutures in a drug-saline solution. The biopolymer solution was prepared to 

contain alginate (6% w/v), pectin (0.1% w/v), gelatin (3% w/v) and glycerol (4% w/v). The 

solution was homogenised, sonicated, and extruded, using the Texture Analyser (TA. XT plus, 

Stable Micro Systems, England), into a crosslinker solution (BaCl2, 2% w/v) for biosuture 

fabrication. After the biosutures were washed and dried as previously described, the 

biosutures were immersed in a solution of dexamethasone 21-phosphate disodium salt (25 

mg/mL) and phosphate buffered saline (pH 7.4), for one hour. After the biosutures had swelled 

and absorbed the drug-saline solution, they were removed and repeatedly washed with 

deionised water to remove any excess drug or salt. The drug-loaded biosutures were then 

again dried in a fume hood, until they reached a constant diameter (approximately 40 minutes) 

and stored in airtight zip lock bags until further characterization.   

C) Coating of the biosuture with a lipid-drug layer using soy phosphatidylcholine  

Biosutures were fabricated exactly as described in the previous chapter and then coated with 

a lipid-drug coating, using a drop coating method. In brief, the biopolymer solution was 

prepared to contain alginate (6% w/v), pectin (0.1% w/v), gelatin (3% w/v) and glycerol (4% 

w/v). The solution was homogenised, sonicated, and extruded, using the Texture Analyser 

(TA. XT plus, Stable Micro Systems, England), into a crosslinker solution (BaCl2, 2% w/v) for 

biosuture fabrication. The biosutures were washed with deionised water and dried in a fume 

hood as previously described. A lipid-drug solution (5% w/w) was prepared with soy 

phosphatidylcholine and dexamethasone in a 60:40 ratio, using methanol as solvent. The 

biosutures were placed on an ointment tile and the lipid-drug solution dropped over the 

biosutures, using a 1 mL syringe, and allowed to spread along the length of the biosuture.  

The coated biosutures were immediately placed under a fume hood for rapid evaporation of 

methanol and formation of a thin lipid-drug layer on the biosuture surface. This specific method 

of drop coating, rather than soaking of the biosutures in the lipid-drug solution, as was done 

by Obermeier et al., was adopted to prevent a solvent exchange process, between water in 

the biosuture and methanol in the lipid-drug solution, which could interfere with the mechanical 

properties of the biosutures as was seen by Psimadas et al., (Obermeier et al., 2015; 

Psimadas et al., 2012). The original soaking method described by Obermeier et al., was first 

investigated and found to cause a significant decrease in diameter and elasticity in the 

biosutures (presumably because of the removal of water from the biosuture matrix) which left 
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the biosutures brittle and unable to tie proper knots. The drop coating method, however, did 

not alter the diameter of the biosutures nor did it make a startling or immediately discernible 

difference to the elasticity thereof, and was therefore investigated further. 

D) Coating of the biosuture with a lipid-drug layer using palmitic acid 

The same process described above, for coating with a lipid-drug layer, was used for method 

D with the only difference that palmitic acid was used as the lipid component instead of soy 

phosphatidylcholine. Table 4.1 below provides the composition of the lipid-drug solutions that 

were used in the respective methods.  

Table 4.1: Composition of lipid-drug solutions used for coating the biosuture material. 

Method Mass 
content 
% (w/w) 

Lipid used Lipid 
weight 
(mg) 

Drug 
used 

Drug 
weight 
(mg) 

Solvent 
used 

Solvent 
weight 
(mg) 

C 5 Soy PDC 237 DEX 158 Methanol 7900 

D 5 Palmitic 

acid 

237 DEX 158 Methanol 7900 

 

4.2.3 Evaluation of the drug loading capacity of the different drug-loaded biosutures  

The amount of drug loaded, using methods A ï D, were determined spectrophotometrically at 

ɚmax = 241, which was determined as the wavelength of maximum absorbance of the drug, 

using the nanophotometer (Implen GmbH, München, Germany). Two calibration curves were 

constructed ï one for dexamethasone 21-phosphate disodium salt, dissolved in PBS 

(pH=7.4), and another for dexamethasone dissolved in methanol and topped up with PBS 

(pH=7.4) and their respective linear regression equations determined as shown in Figure 4.1. 

To estimate the amount of drug loaded, using the different methods, three biosuture segments 

(5 cm in length) of each drug loading method, was prepared and placed into separate vials 

(Eppendorf tubes) containing 20 mL PBS (pH=7.4). The vials were kept at 37°C for 30 days 

and subjected to vigorous stirring, centrifuging and sonication to achieve full release of the 

loaded drug and disintegration of the biosuture material. Absorbance (ɚ=241) of the resulting 

solutions were measured in triplicate and the respective linear equations, from the constructed 

calibration curves, were used to determine the amount of drug loaded using the respective 

methods. Drug loading capacity was normalised to the amount of drug (ug) per cm biosuture. 
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Figure 4.1: Calibration curve of (A) dexamethasone 21-phosphate disodium salt and (B) 

dexamethasone, indicating the linear regression equation and R2 values, as well as the 

confidence and prediction intervals for each curve.  

4.2.4 Evaluation of the drug release behaviour of the different drug-loaded biosutures 

To determine the drug release profile of the different drug-loaded biosutures, three 2 cm 

segments of the biosutures, prepared using methods A ï D, were placed in Eppendorf tubes 

containing 10 mL of PBS (pH 7.4). The samples were kept in a shaker incubator (Orbital 

shaker incubator, LM-530, Lasec Scientific equipment, Johannesburg, South Africa) rotating 

at 25 rpm at a temperature of 37°, to mimic the expected in vivo conditions. At predetermined 

time intervals (0.5, 1.5, 3, 6, 12, 24, 48, 72, 96, 120, 144 and 168 hours), 2 mL was removed 

from each Eppendorf tube and replaced with fresh PBS in order to maintain sink conditions. 

The amount of drug released at each time point was determined by measuring the absorbance 
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of the solution at ɚ=241 and substituting the value into the respective linear regression 

equations. The experiment was performed in triplicate in order to minimize the error variation 

and the average values used for further data treatment and plotting. The cumulative drug 

release was determined using Equation 4.1.  

ὅόάόὰὥὸὭὺὩ ὶὩὰὩὥίὩ Ϸ  ὼ ρππ                                                                       Equation 4. 1 

Where Ct is the amount of DEX released at time t, and Ci is the amount of DEX loaded onto 

the biosuture sample. The cumulative drug release profiles were normalized to amount or 

percentage of drug (ug/mL or %) released from 1 cm biosuture. 

4.2.5 Determination of the degradation profiles of the different drug-loaded biosutures 

The degradation profiles of biosutures before drug loading and of those prepared with method 

A ï D, were evaluated in terms of weight loss over time. Pre-weighed samples were incubated 

in 10 mL fresh PBS (pH = 7.4) at 37°C, rotating at 25 rpm. Samples were removed every day, 

placed on absorbent filter paper and allowed to dry under lamellar flow in a fume hood. Once 

the samples were dry and achieved a constant diameter, they were accurately weighed on a 

precision microbalance and the percentage weight loss (i.e., degradation) calculated using 

Equation 4.2. 

ὖὩὶὧὩὲὸὥὫὩ ὨὩὫὶὥὨὥὸὭέὲ
 
 ὼ ρππ                                                               Equation 4. 2 

Where Wo is the original, starting weight of the sample and Wt is the weight at time t, after 

incubation in PBS. All experiments were performed in triplicate and expressed as the mean, 

± standard deviation. Sample removal and weighing was performed once a week for the first 

four weeks and thereafter every day to determine the exact time of 100% weight loss. 

4.2.6 Evaluation of the mechanical properties of each drug loaded biosuture 

The mechanical properties of the biosuture can easily be altered by the drug-loading process. 

Hence, we investigated the maximum force at break (N), tensile strength (N/mm2), elongation 

at break (%) and youngôs modulus (MPa) of each drug-loaded biosuture. First, the average 

diameter of the biosutures were determined by measuring the diameter at three points along 

the length of each biosuture (the middle and each end), with digital vernier callipers, as 

described in the USP guidelines for suture diameter measurement (NF24, s.a.). The 

mechanical properties of the biosutures were measured with the Texture Analyser, fitted with 

the mini tensile grips (A/MTG, Stable Micro Systems, England) and set to the tensile mode. 

Biosuture samples were secured in the middle of the grips, with an active gauge length of 4cm 

and the test performed at a constant rate of 80 mm/min, as specified by the USP standards 

for tensile testing (Tensile Strength. United States Pharmacopeia and National Formulary 
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(USP 29-NF 24). Rockville, MD: United States Pharmacopeial Convention, 2006). Each drug-

loaded biosuture was evaluated in the straight (n=10) and knot (n=10) configuration, where a 

single overhand throw knot was placed in the centre of the biosuture sample. The average 

was calculated and presented as the mean, ± standard error, for all ten readings of each 

configuration. Load-displacement and stress-strain curves were generated, and the data used 

to determine the above-mentioned tensile properties. The maximum load at failure is the 

highest value of the load-displacement curve while youngôs modulus is defined as the slope 

of the stress-strain curve. The tensile strength and elongation at break were calculated using 

Equations 4.3 and 4.4. 

ὝὩὲίὭὰὩ ίὸὶὩὲὫὸὬ
  

                                                                              Equation 4. 3 

Where load failure is the maximum load (N) at failure (i.e., where the biosuture breaks) and 

CSA is the cross-sectional area (mm2) of the biosuture. 

ὉὰέὲὫὥὸὭέὲ ὥὸ ὦὶὩὥὯ  ὼ ρππ                                                                         Equation 4. 4 

Where l0 is the initial length of the biosuture, and l1 is the final length of the biosuture.  

4.2.7 Selection of the optimal drug loading method for the specific study 

The optimal method of drug loading, which bests suits the developed biosuture material and 

the specific needs of the study, was selected based on the investigated properties, i.e., drug 

loading capacity, drug release profile and mechanical properties. It is important that the drug 

loading methods allows for an adequate amount of drug to be incorporated into/onto the 

biosuture so that a clinically relevant dosage can be achieved in vivo. Ideally, the drug-loaded 

biosuture should rapidly release the drug upon implantation (i.e., burst release) so that the 

effects of IRI can be addressed immediately. Additionally, the drug release process should 

ideally continue for approximately 7 days, so that the late occurring no-reflow phenomenon 

can be evaded. The drug loading method should ideally not interfere with the optimised 

mechanical properties of the biosuture nor significantly alter its degradation profile.  

4.3 Results and discussion 

4.3.1 Drug loading capacity of the different drug-loaded biosutures  

The drug loading capacity of any drug delivery device is of critical importance, as it can 

determine whether sub-therapeutic, therapeutic, or toxic dosages are achieved, upon release 

of the drug in vivo. Each of the drug loading methods provided a different loading capacity to 

the biosutures as shown in Table 4.2. The specific loading capacity of each biosuture can 

largely be ascribed to the drug loading method that was used, as well as the various 

parameters and factors, such as immersion time or the drug-lipid ratio, that accompany each 
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method. These parameters are not set in stone and can often be altered to obtain a slightly 

different loading capacity. Yet, certain inherent properties of the biosuture itself, such as the 

hydrophilicity of the biopolymers it is made of, also contribute to the drug loading capacity, and 

should not be altered if the initial mechanical performance of the biosuture is to be maintained.  

Table 4.2: The drug loading capacity of biosutures prepared using methods A ï D. 

Drug-loading 

method 

A) Addition to the 

polymer matrix 

B) Immersed in a 

drug-saline solution 

C) Lipid-drug 

coating: SPC 

D) Lipid-drug 

coating: PA 

Amount of drug 

loaded (ug/cm) 

14.94 ± 2.8 93.5 ± 2.7 53 ± 1.8 20.57 ± 2.1 

Amount of drug 

loaded in 20 cm 

biosuture (ug) 

298.8 ± 2.8 1870 ± 2.7 1060 ± 1.8 411.4 ± 2.1 

 

In general, the large surface-area-to-volume ratio of sutures, allows for relatively high drug 

amounts to be loaded onto the surface of sutures, compared to other biomaterials. On the 

other hand, the bulk volume of a suture material is normally very low due to the small diameter 

and size of sutures and cannot accommodate large amounts of drug (Parikh et al., 2021). This 

was reflected in our work, where method A (direct addition of the drug to the biopolymer 

matrix), resulted in the lowest drug loading capacity (14.94 ug/cm) of all the methods that were 

investigated. This low loading capacity of method A, can also be ascribed to the high 

biopolymer concentrations that were used to prepare the biosutures, which could have 

resulted in a dense matrix with little space available for the incorporation of a high molecular 

weight drug such as dexamethasone 21-phosphate disodium salt, that was used in this study 

(Champeau et al., 2017).  

In contrast, method B, where the biosutures were immersed in a drug-saline solution, resulted 

in the highest loading capacity (93.5 ug/cm), even though the same initial drug concentration 

(25 mg/mL) was used for both method A and B. The high loading capacity seen with method 

B, can be ascribed to the high swelling capacity of the biosutures upon incubation in an ionic 

medium, which is the result of the hydrophilic nature of the biopolymers as well as the 

crosslinking mechanism that was used to fabricate the biosutures (Pilipenko et al., 2019). 

Alginate and gelatin, which are extremely hydrophilic, immediately absorbed large amounts of 

the aqueous drug-saline solution, which allowed the bulk volume of the biosuture to expand 

and accommodate a greater amount of drug (Pilipenko et al., 2019). Additionally, during the 

immersion process, ionic exchanges could have occurred between the sodium ions in the 

drug-saline solution and the barium ions in the biosuture matrix, which could have allowed 

pores to open up and water to flux in (Liling et al., 2016). The high loading capacity of method 

B, was also visually observed by a change in colour in the biosutures from sightly yellow, to 
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white after immersion, which confirms the presence of a high amount of drug/salt molecules 

in the biosutures produced with method B.  

The loading capacity achieved with method C and D, lay between that of method A and B, and 

differed considerably, despite the close similarity of the two methods. Method C resulted in a 

higher loading capacity than method D, which can be ascribed to the difference in affinity of 

the drug for the specific lipid that was used, or the compatibility between the lipid and the 

biosuture surface. Soy phosphatidylcholine (SPC), that was used in method C, has a 

hydrophilic head group, in addition to the hydrophobic fatty acid tail, which would have made 

it more compatible with the hydrophilic surface of the biosuture, than palmitic acid which 

consist only of a hydrophobic, saturated long chain fatty acid. Additionally, it is possible that 

dexamethasone has a greater affinity for SPC, which is a much larger and more polar molecule 

(zwitterion at pH 7.4) than palmitic acid (Figure 4.2) which would have resulted in a higher 

loading capacity for method C, as seen in the results.   

 

Figure 4.2: Chemical structures of the drug and lipids used in the study and possible 

interactions and attractive/repulsive forces that may occur.  

4.3.2 Drug release behaviour of biosutures prepared with drug loading methods A ï D. 

For optimal prevention of ischemic reperfusion injury (IRI) and no-reflow in MVS, continued 

drug release for a period of 7 days is necessary. Hence, the drug release profile from the 

different drug loaded biosutures was evaluated over 7 days, at 37°C in PBS (pH 7.4) with 

continuous rotation at 25 rpm, to simulate physiological conditions. As expected, each of the 

drug loading methods resulted in their own unique drug release profile, with a similar pattern 

only observed for method A and D, while major differences were seen in the cumulative 

percentage drug released over the period of one week, for all biosutures (Figure 4.3). 
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Figure 4.3: Cumulative drug release over 7 days in A) amount (ug/mL) and B) percentage (%) 

from biosutures prepared with method A ï D.  

Method A, where the drug was directly incorporated into the biopolymer matrix, released on 

average 39.2 ± 0.8%, of the loaded drug at the end of the 7-day period (Figure 4.4 B). The 

drug release profile, showed an initial small burst release, which probably reflects the 

immediate release of the drug from the biosuture surface, as graphically represented in Figure 

4.4 C. At this point in time, there is a large concentration gradient present, between the high 

concentration of drug on the biosuture surface, and the lack of drug in the release media, 

which explains this sudden burst effect. During the burst phase, drug release mechanisms, 

such as swelling and osmotic pressure may also play a role, as water penetrates the 

biopolymer matrix and causes the hydrophilic drug to diffuse out. After this initial phase, the 

drug release becomes more gradual and is controlled by the degradation of the biosuture 

material, i.e., as the biosuture degrades, new surfaces are exposed to the release medium, 

allowing drug molecules buried within the biopolymer matrix, to diffuse out and be released 

(Figure 4.4 C). This form of degradation dependant, controlled release is well-known and 

common among biodegradable polymer devices, but the specific released profile remains a 

function of the physiochemical properties of the particular polymers and drug used (Lee et al., 

2010). The degradation profiles of the biosutures, prepared with methods A ï D, are provided 

and discussed in Section4.3.4 of this chapter. Briefly, the biosutures prepared using method 

A, reflected an average degradation of 38 ± 0.4%, after 7 days of incubation under simulated 

physiological conditions, which correlates well with the 39.2 ± 0.8% drug release that was 

recorded after 7 days of incubation for method A (Figure 4.4 D). This supports the hypothesis 

that drug release from the biosutures prepared with method A, is dependent on the 

degradation of the biosuture and suggests that 100% drug release can only be achieved after 

33 days of incubation.   
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Figure 4.4: Cumulative drug release over 7 days in A) amount (ug/mL) and B) percentage (%) 

for biosutures prepared with method A. C) Graphical representation of the proposed drug 

release mechanism and D) the degradation profile of biosutures prepared with method A.  

For method B, where the biosutures were immersed in a drug-saline solution, the drug release 

profile looked considerably different, with 91.1 ± 0.9% of the drug released within the first 3 

hours of incubation (Figure 4.5 B). This form of immediate burst release, is also common, 

although not widely applicable within the clinical setting. A burst release of the drug from a 

biomaterial can be the result of several factors including, processing conditions (e.g., drying 

and storage), sample geometry and material-drug interactions (surface adsorption) (Son et 

al., 2017). It is possible that, during the immersion process, the drug molecules only adsorbed 

to the surface of the biosuture, and then easily released upon submersion in PBS, with the 

hydrophilic nature of the drug further amplifying the burst effect (Yoo & Won, 2020). Yet, the 

significant swelling of the biosuture, that was observed during the immersion process, 

suggests that the dissolved drug was absorbed into the biopolymer matrix and hence evenly 

distributed throughout it. However, in contrast with method A, and the non-drug loaded 

biosuture, method B has an additional drying step in the fabrication process which, according 

to Yeo et al., could cause migration of the drug to the surface of the biopolymer matrix which 
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will in turn lead to burst release (Yeo & Park, in press). During the drying process, water will 

have moved to the surface of the biosuture and evaporated, which could have caused the 

drug to diffuse by convection with the water, leaving a high drug concentration on the biosuture 

surface (Figure 4.5) which would have released in a burst fashion upon incubation in the 

release media, as shown in the drug release profile. The burst release phase was responsible 

for the release of more than 90% of the loaded drug, leaving very little to be released over the 

following days.  

 

Figure 4.5: Cumulative drug release over 7 days in A) amount (ug/mL) and B) percentage (%) 

for biosutures prepared with method B. C) Graphical representation of drug migration to the 

surface of the biosuture during drying and subsequent burst release from the surface. 

Method C provided a more appropriate and expected drug release profile, which consisted of 

an initial small burst phase, followed by a lag phase and finally a linear release phase (Figure 

4.6). The controlled release, achieved with method C, is a result of the poor solubility of both 

the lipid and the drug in water (Obermeier et al., 2015). The initial burst release, which is a 

common phenomenon among all drug delivery devices, including fibres, films and 

nanoparticles (Son et al., 2017) can be ascribed to the close proximity of the drug to the 

biosuture surface, which resulted in direct exposure of the drug to the large volume of drug-
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free release medium. This, in turn, created a large concentration gradient for the drug across 

a very short diffusion layer which encouraged immediate burst release (Figure 4.6). During 

this initial burst phase, the higher solubility of dexamethasone in aqueous media (0.1 mg/mL) 

compared to that of the lipid, SPC (2.1 x 10-5 mg/mL), might have played a considerable role 

by allowing a certain amount of drug to be released before segregation of the lipid layer from 

the biosuture surface. This would also play a role in the subsequent lag phase, where the 

release medium has become more saturated, resulting in a lower concentration gradient and 

decrease in the solubility of the drug, which would now prefer to remain within the hydrophobic 

lipid layer where it is most comfortable. Yet, after 5 days of incubation, the lipid layer begins 

to dissociate and move away from the biosuture surface, as was observed macroscopically 

during the drug release study, possibly due to the increased swelling of the biosuture that 

caused the surface to become more hydrophilic and less favourable for the hydrophobic lipid 

layer. At this point, drug release becomes more linear as the lipid-drug layer distributes 

throughout the release medium and exposes more of the drug molecules to fresh medium. By 

the end of the 7-day release period, more than 80% of the drug was released, which is ideal 

within the context of IRI and the no-reflow phenomenon in MVS.  

Figure 4.6: Cumulative drug release over 7 days in A) amount (ug/mL) and B) percentage (%) 

for biosutures prepared with method C and C) Graphical representation of the proposed drug 

release mechanism from biosutures prepared with method C.  
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The drug release profile of method D, was very similar in shape to that of method C but 

achieved a lower cumulative release of only 29 ± 0.53%, after 7 days of incubation (Figure 

4.7). Similar results have been recorded by Obermeier et al., who found that palmitic acid 

provided extremely slow sustained release of chlorhexidine, with only 26% of the loaded drug 

released after 5 days of incubation (Obermeier et al., 2014). This slower release from palmitic 

acid compared to SPC, can be ascribed to the poor solubility of palmitic acid in water, which 

is even lower than that of SPC, due to the complete lack of a polar or hydrophilic group in the 

fatty acid (van der Veen et al., 2017). The drug release process, was however very similar to 

that of method C and also showed an initial burst release, followed by a lag phase which 

turned into a linear phase, once the lipid layer is liberated from the biosuture surface (Figure 

4.7). Liberation of the lipid layer took place earlier for palmitic acid (96 hours) than for SPC 

(120 hours), presumably also because of the greater hydrophobicity of palmitic acid, that 

would have led to an earlier dissociation away from the hydrophilic biosuture surface.  

 

Figure 4.7: Cumulative drug release over 7 days in A) amount (ug/mL) and B) percentage (%) 

for biosutures prepared with method D.  

4.3.3 Degradation profile of the different drug-loaded biosutures  

Degradation in vivo is a very important property of absorbable biomaterials and can easily be 

influenced by processes such as drug loading and storage due to changes in intra- and 

intermolecular interactions, matrix density and hydrophilicity of the biomaterial, that may occur 

during drying or heating (Annan et al., 2008). Hence, we studied the degradation profile of the 

biosutures, prepared with method A ï D, before selecting the optimal drug loading method. 

Figure 4.8 provides the degradation profiles of the original biosuture before drug loading, and 

the degradation profiles of the biosutures prepared with drug loading methods A ï D. In 

general, all the biosutures displayed a favourable degradation profile with gradual weight loss 

that took place over roughly 5 weeks. The exact method of degradation will be further studied 
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and elaborated on in a future chapter. Here, however, we are only concerned with the 

influence of drug loading methods on the degradation profile of the biosutures. The biosutures 

prepared with method A and B, degraded at a slightly faster rate than the original biosuture, 

or those prepared with method C and D. This can be ascribed to the presence of the drug 

within the biopolymer matrix, where it can interfere with the strong intramolecular interactions 

between the biopolymers, resulting in faster degradation of the biosuture. It is also possible 

that, during the immersion process used in method B, some of the intramolecular bonds were 

broken, through ionic interaction with salt ions in the immersion solution (Mndlovu et al., 

2019a). This would have dramatically decreased the biosuture tensile strength and matrix 

density, which would in turn have led to a more rapid degradation. However, this could not 

have taken place at a very pronounced degree, as the drug loading process had a very small 

effect on the degradation rate of the biosutures prepared with method B, which deviated even 

less form that of the original than those prepared with method A. 

  

Figure 4.8: In vitro degradation profile of the original biosuture and of biosutures prepared 

with different methods (A ï D) of drug loading.  

The biosutures prepared with method C and D, degraded slightly slower than the original 

biosuture, or those prepared with method A and B. This is most likely due to the shielding 

effect of the hydrophobic lipid-drug layer, that temporarily prevented water from entering the 

biopolymer matrix, and thereby delayed the degradation process as a whole (Obermeier et 

al., 2014). None of the drug loading methods, however, had a dramatic influence on the 

degradation profile of the biosutures, which followed more or less the same pattern regardless 

of the drug loading method that was employed.  
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4.3.4 Mechanical properties of the different drug-loaded biosutures  

Even more important than the impact on the degradation profile of the biosutures, is the impact 

that drug loading has on the mechanical properties of the biosuture, which has been optimized 

with great effort in the previous chapter. The mechanical properties of the drug loaded 

biosutures could have a very decisive influence on the selection of the optimal drug loading 

method, as even a perfect drug loading and release profile is worthless without satisfactory 

mechanical properties. Hence, we studied the key mechanical properties, i.e., maximum load 

(N), tensile strength (N/mm2), elongation at break (%) and youngôs modulus (MPa), of the 

original and drug loaded biosutures. The average values of these parameters, for the original 

biosuture and the drug loaded biosutures, are provided in Table 4.3. 

Table 4.3: The average values of key parameters used to study the mechanical properties of 

the original and drug loaded biosutures. 

Biosuture Load failure 

(N) 

Tensile strength 

(N/mm2) 

Elongation at 

break (%) 

Youngôs modulus 

(MPa) 

 Straight configuration 

Original 4.08 ± 0.4 360.39 ± 0.4 18.55 ± 0.9 2.04 ± 0.4 

Method A 5.43 ± 0.5 480.83 ± 0.5 6.25 ± 0.8 2.52 ± 0.5 

Method B 4.49 ± 0.3 397.93 ± 0.3 16.73 ± 0.4 2.38 ± 0.7 

Method C 4.14 ± 0.7 366.23 ± 0.7 18.57 ± 0.5 2.06 ± 0.5 

Method D 4.12 ± 0.6 391.69 ± 0.6 18.48 ± 0.7 2.10 ± 0.6 

 Knot configuration 

Original 2.44 ± 0.3 216.09 ± 0.3 9.47 ± 0.4 1.51 ± 0.4 

Method A 1.64 ± 0.4 145.00 ± 0.4 4.59 ± 0.6 1.13 ± 0.6 

Method B 2.57 ± 0.8 227.85 ± 0.8 6.75 ± 0.8 1.36 ± 0.5 

Method C 2.59 ± 0.4 229.27 ± 0.4 12.26 ± 0.7 1.56 ± 0.3 

Method D 2.45 ± 0.5 217.78 ± 0.5 12.14 ± 0.5 1.54 ± 0.5 

 

Even though the drug loading processes did affect the mechanical properties of the biosutures, 

the effect was less pronounced than what was expected. Method A and B showed the greatest 

deviation and the biosutures prepared with method A could withstand a higher load (5.43 ± 

0.5 N) than the original biosutures (4.08 ± 0.4) in the straight configuration. These biosutures, 

however, broke much earlier than the rest of the biosutures, as was signified in the 

considerably lower elongation at break (6.25 ± 0.8%) of the biosutures prepared with method 

A, than the original biosutures (18.55 ± 0.9%). This can be attributed to the incorporation of 

the drug into the polymer matrix, which might have increased the density and crystallinity of 

the biosuture material, making it stronger but also more brittle and less elastic (Li, Han, et al., 
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2020). This loss in elasticity had a profound impact on the mechanical properties of the 

biosutures prepared with method A, in the knotted configuration where all the measured 

parameters decreased in comparison with the original biosuture, as shown in Table 4.3. 

Hence, the addition of a large drug molecule, such as dexamethasone 21-phosphate, directly 

to the polymer matrix, had a profound and undesirable influence on the biosutureôs mechanical 

performance, which can clearly be observed in the representative stress ï strain curves of the 

various biosutures (Figure 4.9). However, it should be noted that the addition of other drug 

molecules, such as proteins or low molecular weight drugs, might not have a significant 

influence on the mechanical properties of the biosuture, or could even improve the mechanical 

performance, depending on the specific setting and application. The knot stress ï strain curves 

are bimodal due to the tightening of the knot that takes place (first mode) before the biosuture 

itself deforms (second mode). 

 

Figure 4.9: Representative stress ï strain curves of the original and drug loaded biosutures 

in the (A) straight configuration and (B) knotted configuration.  

The biosutures prepared with method B, on the other hand, displayed excellent mechanical 

properties with a slightly higher load failure in both the straight and knotted configuration (4.49 

± 0.3 N and 2.57 ± 0.8 N) compared to the original biosuture (4.08 ± 0.4 N and 2.44 ± 0.3). 

The elongation at break decreased slightly in the straight configuration (16.73 ± 0.4 %) and 

more profoundly in the knotted configuration (6.75 ± 0.8 %) but remained within an acceptable 

range. All the other parameters in the straight and knotted configuration were higher for the 

biosuture prepared with method B, than the original biosutures which suggests that the 

immersion process had a favourable influence on the mechanical properties of the biosutures. 

It is plausible that during the immersion process, drug molecules filled any available pores in 

the matrix, which would have slightly increased the density and hence the tensile strength of 

the biosutures, without interfering with existing molecular bonds (Mndlovu et al., 2019b). The 

decrease in elongation at break is less pronounce than with method A, as the drug molecules 
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are only adsorbed to the matrix and not effectively intertwined between the polymers as 

evidenced by the burst drug release profile of the biosutures that were prepared with method 

B. In terms of mechanical properties, method B can therefore be presumed as a favourable 

method of drug loading.  

The biosutures prepared with method C and D displayed very similar mechanical properties, 

and also did not deviate drastically from that of the original biosuture. This was expected as 

the lipid-drug coatings used in method C and D, do not directly affect the biosuture matrix and 

therefore should not significantly alter its mechanical performance. Coating, however, does 

change the surface of the material and can change the handling properties, knot security and 

slippage of the biosuture (Rethinam et al., 2020). The load failure of the biosutures prepared 

with method C and D, was slightly higher than that of the original biosuture, in both the straight 

and knotted configuration (Table 4.3). This slight increase in load failure and tensile strength 

can be ascribed to the additional drying and water removal that transpired during the coating 

process. Yet, the elongation at break of the biosutures prepared with method C and D, were 

also higher than that of the original biosuture ï especially in the knotted configuration (12.26 

± 0.7 N and 12.14 ± 0.5 % compared to 9.47 ± 0.4 %). This is most likely due to the lubricating 

effect of the lipid-drug layer on the surface of the biosutures, which allowed the biosuture to 

form a tighter, more secure knot, which in turn allowed the biosuture to elongate for longer 

before breaking (Matl et al., 2009). Hence, the lipid-drug coatings, used in method C and D, 

improved the mechanical performance of the biosutures, especially in the knotted 

configuration, by improving the knot security of the biosutures.  

4.3.5 Selection of the optimal drug loading method for the specific study 

In selecting the optimal drug loading method, all the properties studied in this chapter, i.e., 

loading capacity, drug release, degradation, and mechanical performance, should be 

considered. Yet, the drug release profile and mechanical performance of the biosuture are the 

most critical properties and will carry the most weight in selecting the ideal method. Still, each 

of the properties must be appropriate within the context and application of the study, i.e., the 

prevention of IRI and no-reflow in MVS through the sustained release of dexamethasone from 

an absorbable biosuture material. 

In terms of the loading capacity, the method should provide a realistic value, that can result in 

therapeutic drug levels after release in vivo. In the case of dexamethasone, which is a fast-

acting glucocorticoid with 26 times the anti-inflammatory potency of hydrocortisone, relatively 

low dosages of 500 ï 2500 ug is normally used for localized administration (e.g., 

dexamethasone eye drops or intracranial inserts) (Brooks et al., 2020). Within the context of 

MVS applications, it is important to consider the length of suture that will be administered in 
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order to ensure that on average, the amount of released drug is within a safe and therapeutic 

range. Depending on the surgeon, 8 ï 12 interrupted sutures are normally used to achieve 

microvascular anastomosis, with each knot comprising around 2 cm of suture material 

(Blanchaert., 2012). Hence, on average 20 cm of suture material is implanted at the site of 

anastomosis and can be used to achieve localized drug delivery.  

Method A provided biosutures with a drug loading capacity of 298.8 ± 2.8 ug per 20 cm 

biosuture (Table 4.2) which is considerably lower than the dosage normally used for localized 

dexamethasone administration. The biosutures prepared with method B and C, on the other 

hand, displayed favourable drug loading capacities of 1870 ± 2.7 ug and 1060 ± 1.8 ug per 20 

cm biosuture, respectively. These values are within an acceptable range and can provide 

clinically relevant drug dosages after implantation of the biosutures, without the risk of 

reaching toxic drug concentrations. Method D again resulted in biosutures with a low drug 

loading capacity (411.4 ± 2.1ug per 20 cm biosuture) that will not be able to produce 

therapeutic drug levels in vivo. Yet, these drug loading capacities have not been optimized 

and small alterations, such as increasing the drug concentration used for method A and B or 

changing the lipid-drug ratio of method C and D, could significantly improve the loading 

capacity achieved with these methods. Hence, drug loading capacity is not used as a decisive 

factor for selecting the most appropriate drug loading method, but method B and C are 

highlighted as the most suitable amongst the methods that were investigated. 

The drug release profiles of the biosutures prepared with the different methods, were all 

valuable in their own right, but not necessarily all suitable for the goal of this study. Biosutures 

prepared with method A, released the drug slowly and gradually as the biosuture itself 

degraded. This meant that 100% drug release could only be achieved after 33 days, when the 

biosuture was fully degraded. This form of slow, controlled drug release is ideal for treating 

chronic conditions such as glaucoma or rheumatoid arthritis, where long-term drug 

administration is necessary but not in the case of more acute conditions such as IRI and no-

reflow where the risk subsides within a week after surgery. Additionally, with 

immunosuppressant drugs such as dexamethasone, the time of drug administration must be 

kept to a minimum in order to limit the risk of infections or similar complications. Method A is 

therefore not the ideal method of drug loading for this particular study. 

In contrast to the slow release achieved with method A, the biosutures prepared with method 

B, released the drug in an immediate burst fashion that represented more than 90% of the 

loaded drug. Burst release is a very common and troublesome occurrence in the field of 

pharmaceutical sciences and controlled drug delivery. The biggest concern with burst release 

is the risk of reaching drug concentrations near or above toxic levels in vivo (Abbasnezhad et 
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al., 2021). However, even if no harm is caused by the immediate high drug release rates, it 

does result in therapeutic and economical waste as a large amount of the released drug will 

be metabolised and excreted before it can produce any therapeutic effect. Burst release also 

reduces the lifespan of the drug delivery device as it leaves it practically empty with no further 

drug to release (Huang & Brazel, 2001). Hence, method B is also not the optimal method of 

drug loading for this study. 

The biosutures prepared with method C, however, displayed a favourable drug release profile 

that consisted of an initial small burst release phase followed by more controlled and gradual 

release phase over the next 7 days. This is ideal in the case of MVS, where the initial burst 

release can immediately reduce the damage caused by IRI, at the onset of reperfusion, while 

the prolonged drug release will limit the risk of the no-reflow phenomenon setting in. The 

biosutures prepared with method C also released more than 80% of the drug that was loaded 

by day 7, making this a very good drug loading method to employ in this study.  

The biosutures prepared with method D displayed a similar drug release profile to that of the 

biosutures prepared with method C, with the exception that only 30% of the loaded drug was 

released after 7 days of incubation. This suggests that longer time periods are necessary to 

achieve 100% drug release from the biosutures prepared with method D, making it a less than 

ideal for the prevention of IRI and no-reflow in MVS. 

The degradation profiles of the biosutures prepared with method A ï D were very similar and 

did not deviate significantly from that of the original biosuture. All the biosutures degraded 

within 5 weeks, which falls within the USP guidelines for classification of a suture material as 

absorbable and places all the methods of drug loading on equal footing in terms of 

degradation. 

The different drug loading methods also had a very interesting influence on the mechanical 

properties of the biosutures. The biosutures prepared with method C and D, displayed the 

best mechanical performance with higher load failure, tensile strength, and elongation at 

break, in both the straight and knotted configuration, than the original biosuture. However, the 

mechanical properties of the biosutures prepared with method C were also acceptable, with 

only the elongation at break decreasing slightly. Hence, based on mechanical performance 

alone, either method B, C or D could be employed as drug loading method in this study.  

Table 4.4 summarises the methods that performed best in each of the categories that were 

evaluated in this chapter. From this table and the above discussion, it is clear that method C, 

where the biosutures were coated with a lipid-drug layer consisting of SPC and 

dexamethasone, is the most appropriate drug loading method for this study. 
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Table 4.4: Summary of the methods that performed best in the investigated categories. 

Property Method(s) Comment 

Drug loading 

capacity 

B and C Methods could provide clinically relevant and 

therapeutic drug concentrations  

Drug release C Method displayed the most appropriate drug 

release profile with near 100% drug release after 

7 days of incubation. 

Degradation A, B, C, D All methods had favourable degradation profiles. 

Mechanical 

performance 

C and D Methods improved the mechanical performance 

of the biosuture on all accounts. 

 

4.3.6 Conclusion 

In this chapter, different methods of transforming the newly developed biosuture into a drug 

delivery device, were investigated. These methods were A) addition of the drug directly to the 

biopolymer matrix, B) immersion of the biosuture in a drug-saline solution, C) coating of the 

biosuture with a lipid-drug layer consisting of soy phosphatidylcholine and dexamethasone 

and D) coating of the biosuture with a lipid-drug layer consisting of palmitic acid and 

dexamethasone. The biosutures prepared with each of these methods were studied in terms 

of drug loading capacity, drug release, degradation behaviour and mechanical performance. 

The drug loading capacity achieved with method A and D were disappointing and too low to 

provide therapeutic drug concentrations in vivo. The drug loading capacities of biosutures 

prepared with method B and C, on the other hand were within an acceptable range and high 

enough to provide clinically relevant dosages, without a significant risk of reaching toxic drug 

concentrations. The best drug release profile was achieved with method C, which provided 

slow, controlled release of the drug with near 100% drug release after 7 days of incubation. 

Method B, on the other hand, did not control the drug release effectively and resulted in an 

immediate burst release of nearly all the loaded drug within the first day of incubation. The 

biosutures prepared with method A and D, released the drug in a highly controlled fashion and 

did not reach depletion early enough to be applicable in this study. The degradation profile of 

the biosutures prepared with method A ï D did not deviate significantly from each other or 

from the original, non-drug loaded biosuture. The biosutures prepared with method C and D 

displayed the best mechanical performance, with overall improvement of all the mechanical 

properties, and especially the knot security of the biomaterials.  

Hence, method C was selected as the optimal method of drug loading within the context of 

this study and the biosutures prepared with this method will be further discussed in subsequent 

chapters.  
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CHAPTER 5: PHYSIOCHEMICAL AND PHYSICOMECHANICAL CHARACTERIZATION 

OF THE OPTIMIZED MONOFILAMENT, ABSORBABLE, DRUG-ELUTING BIOSUTURE.  

 

5.1 Introduction 

In the previous chapters, the concept for a new biosuture was constructed, studied, reviewed 

and then executed through the meticulous development and optimization of a new biosuture 

material with appropriate production and drug loading methods. However, all these efforts are 

pointless if not followed up by thorough characterization of the physiochemical and 

physicomechanical properties of the newly developed biosuture. According to De Jong et al., 

knowledge of the material properties of alginate fibres, as well as the properties that govern 

and influence them, such as chemical structure, purity, and stability, is necessary to effectively 

use these systems (De Jong et al., 2019). Likewise, evaluation of the in vitro behaviour of 

biomaterials is critical in forecasting its success in vivo. Hence, this chapter will be focussed 

on elucidating key properties of both the pristine biopolymers and that were used to produce 

the biosutures, and that of the uncoated and coated biosutures themselves.  

5.2 Materials and methods 

5.2.1 Materials 

Sodium alginate (M/G ratio, 1.45), pectin from citrus peel (degree of esterification, 86.44%), 

gelatin (pharmaceutical grade, no. 48723, type B), and dexamethasone (bioreagent, suitable 

for cell culture, Ó97%), were purchased from Sigma-Aldrich (St. Louis, Missouri, USA). Barium 

chloride 2-hydrate and glycerol (MW=92.1 g/mol) was purchased from LabChem (Founderôs 

hill, Johannesburg, SA). Phosphate buffered saline (PBS) tablets and ethanol were purchased 

from Rochelle Chemicals (Electron, Johannesburg, SA).  Phosphatidyl choline (from soybean, 

<99% TLC) was procured from Avanti Polar Lipids Inc (Alabaster, Alabama, USA).  

5.2.2 Preparation of the optimized biosutures 

The biosutures were prepared using the optimized formulation and methods, developed in the 

previous chapters. First, the biopolymers were individually dissolved in deionized water and 

then combined, together with the plasticizer, to obtain the final concentrations as shown in 

Table 5.1. The biopolymer solution was sonicated in a bath ultrasonicator (Labotec, Midrand, 

SA), until a homogenous, bubble-free solution was obtained (± 5 minutes). The solution was 

aspirated with a 3 mL luer-lock syringe and loaded onto the specialized universal syringe rig 

of the Texture Analyser (TA, XT plus, Stable Micro Systems, England). The syringe was fitted 

with a 23G needle and the biopolymer solution extruded into a crosslinker solution of BaCl2 

(2% w/v). The Texture Analyser was set in the compression mode with the standard óreturn to 
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startô sequence, a target of 50 mm distance and óbuttonô as the trigger type. An initial high-

speed setting of 2 mm/sec was used to prevent clogging of the needle tip. Once a proper flow 

was established, a lower speed setting of 0.6 mm/sec was used and the crosslinker bath 

moved in a circular direction. After crosslinking, the biosutures were removed from the 

crosslinker bath and washed repeatedly with deionised water to remove any excess 

crosslinker from the biosuture surface. The washed biosutures were placed on a large 

ointment tile and left to dry in a fume hood with constant circulating air for 40 minutes.  

Table 5.1: Composition of the optimised biosuture formulation 

Component Sodium alginate Pectin Gelatin Glycerol 

Concentration 6% (w/v) 0.1% (w/v) 3% (w/v) 4% (v/v) 

 

Half of the prepared biosutures were coated with a lipid-drug layer to achieve drug loading. 

The lipid-drug solution was prepared by dissolving soy phosphatidylcholine (SPC) and 

dexamethasone in a 40:60 ratio, in 7.9 g (10 mL) of ethanol to obtain a final 8.5% w/w solution. 

The lipid-drug solution was dropped over the biosutures with a syringe and allowed to spread 

along the length of the biosutures. The coated biosutures were again placed under the fume 

hood for rapid evaporation of the solvent and formation of a thin lipid-drug layer on the 

biosuture surface. 

5.2.3 Evaluation of vibrational transitions within the biosuture by means of Fourier 

Transform Infrared Spectroscopy (FTIR) 

FTIR is a valuable, non-destructive analytical technique that is often used as the first step in 

material analysis. Itôs a highly sensitive method and can indicate any changes in a materialôs 

composition, the formation or breaking of bonds or the introduction of impurities amongst 

others. These changes can be observed as the appearance or disappearance of infrared 

absorption bands that are characteristic of certain functional groups or as shifts in these 

vibrational frequencies. In the current study, FTIR spectroscopy was used to study the 

interactions between the different natural polymers, plasticizer, crosslinking salt, and drug-

coating of the newly developed biosuture material. Specifically, the goal was to confirm the 

compatibility of the polymers in the suture formulation, crosslinking of the polymer blend and 

effective coating of the biosuture material with the drug-lipid layer. All formulation components 

were run individually and compared to that of the biosuture material before crosslinking, after 

crosslinking and after coating with the drug-lipid layer. FTIR parameters were set as follows; 

75 scans at a wavenumber range of 4000 ï 650 cm-1 using a PerkinElmer Spectrum 2000 

FTIR spectrometer (PerkinElmer 100, Llantrisant, Wales, UK) fitted with a single reflection 

diamond MIRTGS detector.  
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5.2.4 Evaluation of the relative crystallinity of materials by means of Powder X-ray 

Diffraction (XRD) 

X-ray diffraction (XRD) is a valuable, non-destructive method that provides information on the 

crystallographic structure of materials. In the current study, XRD was used to determine the 

degree of crystallinity of the individual polymers and gain insight into the different phases 

present within the polymers, i.e., their chemical composition. XRD was also performed on the 

biosutures to study the influence that the combination and crosslinking of the selected 

biopolymers had on the crystallinity of the final biosuture material, bearing in mind that it needs 

to be strong, yet elastic. A high degree of crystallinity would result in brittleness which is not 

desirable in the case of suture materials. The XRD spectra of the biopolymers, the biosutures 

and the lipid-drug coated biosutures were recorded using a benchtop Miniflex 600 

diffractometer (Rigaku, Japan) with CuKŬ radiation at 40 kV and 15 mA. The 2ɗ scan range 

was selected between 10ï90 degrees at a scan rate of 10 degrees/minute.  

5.2.5 Thermal evaluation of the biosutures by means of Thermogravimetric analysis 

(TGA) and Differential Scanning Calorimetry (DSC) 

Thermal analysis of the biosuture material, before and after coating, and of the individual 

biopolymer constituents, were conducted via Thermogravimetric Analysis (TGA), Differential 

Scanning Calorimetry (DSC), and melting point analysis. The thermal analysis of biomaterials 

is typically conducted at wide temperature ranges (0 ï 500 °C) that far exceed the normal 

temperature encountered by the materials in vivo or during distribution and storage. Hence, it 

can seem like a fatuous study but, if properly analysed, thermo-analytical techniques can 

provide valuable information on the physical and chemical properties of the material such as 

its thermodynamic behaviour, heating capacity, stability and interactions between 

macromolecules or other chemical reactions and/or structural changes that take place at high 

temperatures, which might even be encountered during production, storage, or transport.  

TGA measures the change in weight that occurs as a sample is heated at a constant rate and 

is useful for studying the thermal stability, decomposition temperature and fraction of volatile 

components of the material. The first derivative of the TGA data (DTG) can also be useful as 

it indicates the exact temperature at which weight changes occur, as well as the rate of weight 

loss at each temperature point. DSC is a popular technique that measures the heat flow into 

or out of a sample as a function of time or temperature, while the sample is exposed to a 

controlled temperature range. This enables the measurement of specific transitions in the 

material such as the glass transition, melting and crystallization point. Melting point analysis, 

with a digital melting apparatus, does not provide any additional information on the thermal 
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properties of the investigated material, but can confirm TGA and DSC data while providing a 

visual understanding of the changes that occur in the material during the heating process. 

For the TGA analysis, samples of the biosuture material (uncoated and coated) and the 

pristine biopolymers, were heated at a rate of 10 °C/min from 0 ï 900 °C under continuous 

nitrogen purging, using a thermogravimetric analyser (TGA 4000, PerkinElmer, Llantrisant, 

Whales, UK). TGA data was used to plot both the TGA and DTG curve of the materials. For 

the DSC analysis, samples of 3 ï 10 mg were sealed in aluminium crucibles and heated over 

a temperature range of 0 ï 400 °C at a heating rate of 5 °C/min under N2 atmosphere, using 

a differential scanning calorimeter (DSC 1, STARe System, Mettler Toledo, Swchwerzenback, 

ZH, Switzerland). The melting point analysis was performed on biosuture samples that were 

loaded into glass capillary tubes and heated from 0 ï 250 °C using a digital melting point 

apparatus (Electrothermal, Stone, Staffordshire, UK).  

5.2.6 Evaluation of the surface morphology of biosutures by means of light microscopy 

and Scanning Electron Microscope (SEM) imaging  

Scanning electron microscope (SEM) imaging is a key part of material characterization as it 

provides high-resolution, magnified images that can reveal detail about the material 

topography that is not visible to the naked eye (Sun, Lux, et al., 2020). Microscopy can reveal 

important information such as the texture, porosity and size of the studied material and allows 

us to conclude whether the material will be suitable for its purpose. It can also provide 

information on the compatibility of the constituting elements and uniformity of the final 

formulation (Brodusch, N., Demers, H. and Gauvin, 2017). In the current study, a CKX 53 light 

microscope (Olympus, Tokyo, Japan) was initially used to study the ability of the biosutures to 

tie secure knots and to confirm the diameter of the biosutures. Hereafter, SEM images were 

taken with a PhenomÊ Scanning Electron Microscope (FEI, OR, USA), to get more detailed 

information on the surface morphology of the biosutures, before and after coating. Before SEM 

analysis, biosuture samples (approximately 1 cm in length) were mounted onto aluminium 

stubs, secured with carbon adhesive tape, and coated with carbon and palladium/gold in a 2:1 

ratio.   

5.2.7 Evaluation of the mechanical properties of the biosutures 

The mechanical properties of the biosutures were re-evaluated to ensure the accuracy and 

reproducibility of the results. The same method and equations described in Chapter 3 and 4 

were employed here and again used to construct the stress-strain curves of the uncoated and 

coated biosutures.  
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5.2.8 Evaluation of the in vitro drug loading and release behaviour of the biosutures 

Dexamethasone loading and release were again evaluated by means of ultra-violet (UV) 

spectroscopy using the nanophotometer (Implen GmbH, München, Germany). The same 

wavelength (ɚ=241), calibration curve, linear regression equation (y = 0.0575x ï 0.0299; R2 = 

0.9983) and methodology described in Chapter 4, was employed here. The only exception is 

that data points were recorded until the cumulative drug release no longer increased, i.e., until 

complete drug release was achieved.  

5.2.9 Evaluation of the in vitro swelling and degradation behaviour of the biosutures 

The ability of the uncoated and coated biosutures to absorb water was evaluated by incubation 

of pre-weighed samples in 10 mL of PBS (pH = 7.4) at 37°C. Samples were removed from the 

PBS solution at frequent time points (10, 20, 30 and 50 minutes and 1, 2, 3, 4, 8, 12, 24 hours) 

to determine the swelling rate and time point of equilibrium swelling. Surface water was gently 

removed using filter paper and the samples weighed on a precision microbalance (A&D 

Instruments Limited, Oxfordshire, OX14 1DY, United Kingdom). The swelling ration (SR) was 

calculated using Equation 5.2. 

ὛὙ  
 

                                                                                                            Equation 5. 1 

Where Ws is the weight of the swollen sample and Wd the original weight of the dry sample.  

The degradation profiles of the coated and uncoated biosutures were evaluated in terms of 

weight loss over time. Pre-weighed samples were again incubated in 10 mL fresh PBS (pH = 

7.4) at 37°C, rotating at 25 rpm. Samples were removed after 1, 2, 3, 4 and 5 weeks of 

incubation, placed on absorbent filter paper and allowed to dry under lamellar flow in a fume 

hood. Once the samples were dry and achieved a constant diameter, they were accurately 

weighed on a precision microbalance and the percentage weight loss (i.e., degradation) 

calculated using Equation 5.3. 

ὖὩὶὧὩὲὸὥὫὩ ὨὩὫὶὥὨὥὸὭέὲ
 
 ὼ ρππ                                                               Equation 5. 2 

Where Wo is the original, starting weight of the sample and Wt is the weight at time t, after 

incubation in PBS. All experiments were performed in triplicate and expressed as the mean, 

± standard deviation. The appearance of the biosutures during the degradation process was 

studied by imaging the dried, weighed samples with a scanning electron microscope 

(PhenomÊ Scanning Electron Microscope, FEI Company, OR, USA).  
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5.3 Results and discussion 

5.3.1 Preparation of the optimized biosutures 

The uncoated and coated biosutures were successfully prepared according to the formulation 

and methods there were optimised in the previous chapters. Figure 5.1 provides pictures taken 

at different stages of the biosuture fabrication and coating process and represents the 

following: 

A) The biopolymer solution, that consist of alginate (6% w/v), pectin (0.1% w/v), gelatin (3% 

w/v) and glycerol (4% v/v), after the removal of air bubbles via sonication. 

B) The extrusion process where the biopolymer solution is extruded at a constant rate into 

the crosslinker solution (BaCl2, 2% w/v) using the Texture Analyser (T.A.X.T Plus). 

C) Drying of the biosutures in a fume hood, after they have been washed repeatedly in 

deionised water baths.  

D) Drop coating of the dried biosutures with a lipid-drug solution (8.5% w/w) consisting of soy 

phosphatidylcholine and dexamethasone in a 40:60 ratio. 

E) Drying of the coated biosutures in a fume hood for rapid evaporation of the solvent. 

F) The final biosutures, prepared and ready for analyses. 

 

Figure 5.1: Images taken during the biosuture fabrication process; A) biopolymer solution, B) 

extrusion into the crosslinker, C) drying in a fume hood, D) coating with lipid-drug layer, E) 

drying of the coated biosutures F) final coated biosutures. 
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5.3.2 Evaluation of vibrational transitions within the biosuture by means of Fourier 

Transform Infrared Spectroscopy (FTIR) 

In order to make a comparative study of the FTIR spectra of the newly developed biosutures, 

we first analysed the spectra of the individual formulation components, which was then used 

as a reference for the biosuture spectra. The FTIR spectra of the biopolymers also helped us 

to confirm the composition and structure of the biopolymers that were employed in this study. 

Figure 5.2 shows the FTIR spectra of the biopolymers and plasticizer that was used in the 

biosuture formulation.  

 

Figure 5.2: FTIR spectra of the biosuture formulation components in their pristine form, top to 

bottom: alginate, pectin, gelatin and glycerol.  

The FTIR spectrum of alginate, gives a clear indication of all the functional groups found in 

the molecule and correlates well with the spectra found in literature (Merakchi et al., 2019; De 

Moraes & Beppu, 2013). The broad absorption band in the range of 3600 ï 3000 cm-1, 

represents the stretching vibrations of the -OH groups attached to the tetrahydropyran ring, 

while the -CH vibration was observed as a small absorption band at 2930 ï 2840 cm-1, as 

previously reported by Fenoradosoa et al.,  (Fenoradosoa et al., 2010). The two characteristic 

bands at 1590 and 1400 cm-1, can be ascribed to the symmetric and asymmetric stretching 

vibrations of the -COO groups. This is the site where any ionic interaction, such as crosslinking 
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by means of Ba2+, can potentially take place which will cause a shift and/or change in intensity 

of these bands (Badita et al., 2020). There is also a shoulder at 1080 cm-1 which, according to 

Badita et al., can be ascribed to C-C and C-O stretching vibrations (Badita et al., 2020) while 

the strong, sharp peak at 1020 cm-1 is reflective of the pyranosyl ring with its C-C and C-O 

stretching vibrations (Fenoradosoa et al., 2010; Nastaj et al., 2016). In the fingerprint region, 

stretching vibrations of the uronic acid residues are encountered, as was discussed in Chapter 

3 (Daemi & Barikani, 2012). The IR spectrum of alginate, therefore, clearly indicates all the 

functional groups precent in the molecule without any traces of impurities.  

Pristine pectin also delivered an expected IR spectrum that corresponds well with literature 

(Fracasso et al., 2018; Nisar et al., 2019). The broad band around 3347 cm-1, can safely be 

ascribed to the stretching vibrations of the hydroxyl groups of pectin while the less intense 

peak at 2933 cm-1 can be related to CH (CH, CH2 and CH3) vibrations (Mishra et al., 2008). 

According to Assifaoui et al., the CO groups of pectin normally present as three peaks in the 

1750 ï 1200 region of the IR spectrum, as was observed in the current study (Assifaoui et al., 

2010). The first and most intense CO peak is found at 1724 cm-1 and relates to the carbonyl 

group of the methyl ester, while the other two CO peaks (at 1631 and 1228 cm-1 respectively) 

can be allocated to the stretching vibrations of free carboxylate groups (Chaharbaghi et al., 

2017). The later bands at 1071 and 1011 cm-1 is indicative of a pyran sugar in the pectin 

sample and can be interpreted to be caused by neutral sugars, such as arabinose or xylose, 

as was seen in a study done on pectin quality and yield (Baum et al., 2017).  

Compared to the previous two polymers, gelatin has a much larger and slightly more complex 

molecular structure that is comprised of amino acids joined together by amide bonds, which 

give rise to characteristic IR absorption bands (Das et al., 2017). The peak observed at 3281 

cm-1, can be attributed to the presence of hydrogen bonds but is also representative of the 

amide A band which arises from N-H stretching, while the C-H stretching at 2940 cm-1, is 

representative of amide B as was described by Hossan et al., (Hossan et al., 2014). According 

to Sancakli et al., the strong absorption band at 1630 cm-1 is due to C=O stretching and 

hydrogen coupling with COO, which is representative of amide I. In turn, the peak at 1522 cm-

1 is thought to be representative of amide II and caused by bending vibrations of N-H groups 

and stretching vibrations of C-N groups (Sancakli et al., 2021). Amide III often presents as 

several small peaks, which can be seen at 1443 ï 1358 cm-1 and is related to in plane 

vibrations of C-N groups as well as N-H groups of bound amines (Irfanita et al., 2017). 

Furthermore, an intensive study done by Rahman et al., showed that the peaks observed in 

the region of 1235 ï 1080 cm-1 belong to amide IV, V and VI (Al-Saidi et al., 2012). Hence, the 

IR spectrum obtained for gelatin in this study is well defined and in-line with the spectra found 

in literature.  
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The last component of the biosuture formulation is the plasticizer, glycerol, which can have a 

profound impact on the final composition and properties of the biosuture material (Barbut & 

Harper, 2020). In the IR spectrum of glycerol, a characteristic deep peak can be observed at 

3288 cm-1, which corresponds with O-H stretching, followed by a bimodal peak at 2934 and 

2883 cm-1, due to C-H symmetric and asymmetric stretching (Salehpour & Dubé, 2012). The 

rest of the spectrum also correlates well with literature and displays five peaks in the region 

from 800 ï 1150 cm-1, which is typical of glycerol and corresponds with the vibrations of the 

C-C and C-O linkages. The peaks at 854, 925 and 995 cm-1, can be ascribed to the vibration 

of the C-C skeleton, the absorption band at 1046 cm-1 to the C-O bond in C1 and C3, and the 

band at 1114 cm-1 to the C-O stretching in C2 (Guerrero et al., 2010). According to Turney et 

al., the peak around 1410 cm-1 is due to C-OH in plane bending and the IR spectrum of glycerol 

therefore correlates well with previous studies and shows no sign of impurities (Turney et al., 

2013).  

Next, we studied the FTIR spectra of the biosuture formulation, before and after crosslinking 

to confirm the presence of the biopolymers and observe any vibrational changes that occurred 

(Figure 5.3). The IR spectrum of the biosuture closely resembles the spectrum of the main 

component, i.e., sodium alginate, with clear contributions from the second most abundant 

component, i.e., glycerol. The presence of the other two biopolymers, i.e., pectin and gelatin, 

is less prominent but can safely be deducted. This points to good compatibility and effective 

incorporation of the low concentration biopolymers into the alginate matrix. The broad band 

around 3269 cm-1 was observed in the IR spectra of all the pristine polymers, but its intensity 

is greatly increased in the combined biosuture formulation spectrum. This can be due to the 

combined contribution of all the hydroxyl groups in the various biopolymers which will increase 

the absorption in this region, as was seen in a study done by Majidi et al., (Majidi et al., 2018). 

This peak, even though broad, is narrower than in the case of the pristine polymers and 

resembles the deep absorption band of glycerol in this region, pointing towards its presence 

in the formulation. The peak also shifted from 3259 cm-1 (where it was observed in the alginate 

spectrum, as shown in Figure 5.2) to 3269 cm-1, which suggests that hydrogen bonds have 

formed between the different polymers and confirms their compatibility.  

The small peak in the 2900 cm-1 region, was observed for all of the individual components and 

were ascribed to the stretching vibrations of the C-H groups of the polymers. In the biosuture 

spectrum, however, the peak is bimodal which reveals both the symmetric and asymmetric 

stretching vibrations of the C-H groups, and confirms the presence of glycerol, which displayed 

a similar small bimodal peak in this region (Figure 5.2). In the region of 1550 ï 1200 cm-1, 

significant overlapping of absorption bands occurs, making the assignment of individual peaks 

more difficult. The two peaks at 1604 and 1405 cm-1 can be ascribed to the symmetric and 
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asymmetric stretching vibrations of the -COO groups found in alginate. Yet, the 1604 cm-1 

peak has a shoulder at 1560 cm-1 which can be ascribed to the free carboxylate groups of 

pectin. The strong peak at 1026 cm-1 can be ascribed to the C-C and C-O stretching vibrations 

of the pyranosyl ring which is found in both alginate and pectin. The small peaks observed in 

the region 1330 ï 1080 cm-1 could be representative of amide III ï VI but is less clear due to 

interference and overlapping of the carbohydrate functional groups in the same region.  

 

Figure 5.3: FTIR spectra of the biosuture before (black) and after crosslinking (red) with BaCl2. 

Upon comparison of the biosuture formulation before and after crosslinking, it is clear that 

some change did occur on a molecular level during the crosslinking process. The most 

significant difference between the two spectra can be seen at the strong absorption bands that 

represent the -COO- groups, which have shifted from 1604 to 1595 cm-1 and from 1405 to 

1408 cm-1, while broadening and lowering their intensity (outlined in Figure 5.3). This 

undoubtedly indicates a strong interaction between Ba2+ and the -CO- of the carboxyl group in 

the polymer chains and confirms crosslinking of the biosuture. Similar results were found by 

Awasthi et al., after they crosslinked an alginate-pectin network with Ca2+ for the sustained 

release of repaglinide (Awasthi et al., 2017).  Yet, there is no indication of the presence of Ba-

Cl in the IR spectrum (which would have revealed a characteristic peak around 1450 cm-1) and 

confirms that the washing process was effective in removing any excess crosslinker from the 

biosuture surface.  

The IR spectra of the lipid-drug coating (Figure 5.4) displays three very sharp peaks in the 

3000 ï 2800 cm-1 region (outlined in black), which is characteristic of soy phosphatidyl choline 
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and can be ascribed to the different C-H stretching vibrations of the molecule. These 

absorption bands also overlap with the stretching vibrations of the methyl groups in 

dexamethasone, which could account for the high intensity of the peaks. The other three sharp 

peaks, found at 1742, 1665 and 1622 cm-1, (circled in green) are characteristic of 

dexamethasone and can be ascribed to the nC=O (aliphatic-C20), nC=O (cyclic (conjugated) 

C3), and nC=C (cyclic) of the drug molecule, while the absorption at 1242 cm-1 (circled in red) 

is due to the stretching vibrations of the C-F bonds in dexamethasone.  

 

Figure 5.4: FTIR spectra of the lipid-drug coating that consists of soy phosphatidyl choline 

and dexamethasone. 

The IR spectrum of the coated biosuture (Figure 5.5) resembled the spectrum of the uncoated 

biosuture but with distinct additional absorption bands that confirm effective coating of the 

biosutures with the lipid-drug layer. Similar to the spectrum of the coating material, three sharp 

peaks can be observed in the 3000 ï 2800 cm-1 region (outlined in black), which were absent 

in the uncoated biosuture spectrum. These peaks have not shifted significantly, even though 

their intensity slightly decreased (presumably because of the small quantity present on the 

suture surface), indicating no unwanted interaction between the coating material and the 

biosuture and confirming that dexamethasone should maintain its bioactivity. The sharp peak 

that can be observed at 1663 cm-1, (circled in green) as well as the important C-F indicating 

peak at 1242 cm-1, (circled in red) are characteristic of dexamethasone and confirm the 

presence of the drug on the surface of the coated biosuture (Figure 5.5). 
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Figure 5.5: FTIR spectra of the lipid-drug coated biosuture. 

5.3.3 Evaluation of the relative crystallinity of materials by means of Powder X-ray 

Diffraction (XRD) 

XRD analysis was used to determine the crystallographic structure of the newly fabricated 

biosuture, before and after coating with the lipid-drug layer. As with FTIR analyses, the XRD 

spectra of the pristine biopolymers (Figure 5.6) were first analysed and then compared to that 

of the biosuture spectra. The diffraction pattern of sodium alginate revealed a semi-crystalline 

structure with two peaks at 2ɗ equal to 22.12Á and 38.42Á. The diffraction pattern of pectin, on 

the other hand, contained mostly sharp, narrow peaks that clearly pointed to a more crystalline 

nature. These sharp peaks were found at 2ɗ equal to 8.48°, 11.92°, 18.96°, 24.88°, 27.78°, 

38.54°, 46.48° and 50.92. Gelatin, in turn, displayed a highly amorphous diffraction pattern 

with a single, slightly pronounced peak at 2ɗ equal to 21.92°. After combining the semi-

crystalline alginate, with the crystalline pectin and more amorphous gelatin, the produced 

biosuture displayed a semi-crystalline diffraction pattern (Figure 5.6). Similar to the FTIR 

spectra, the diffraction pattern mostly resembled that of the main component, i.e., alginate, 

and displayed two peaks at 2ɗ equal to 25.36° and 40.08°. The semi-crystalline structure of 

the biosuture material is in accordance with the good and well-balanced mechanical properties 

thereof. If the produced biosuture material was completely amorphous it would most likely not 

have displayed sufficient strength to meet the USP requirements, while high crystallinity would 

have resulted in a brittle biosuture that is unable to tie a successful knot. The semi-crystalline 

structure, however, ensured a good balance between strength and elasticity in the biosuture 

and supports the notion that the newly developed biosutures will be suitable for clinical use.  
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Figure 5.6: XRD spectra of the biopolymers; top to bottom: alginate, pectin and gelatin.  

The diffraction pattern of the coated biosuture correlates well with that of the uncoated 

biosuture except for a very sharp, intense peak at 2ɗ equals to 2.54Á and a second less 

intense, sharp peak at 2ɗ equal to 15.26Á (Figure 5.7). These sharp peaks in the low 2ɗ region 

are characteristic of dexamethasone, which has a crystalline structure and confirms the 

presence of the drug in the coated biosuture. Soy phosphatidyl choline is amorphous and its 

contributing peaks are most likely masked by that of the semi-crystalline biosuture.  

 
Figure 5.7: XRD spectra of the uncoated (top) and coated (bottom) biosutures, showing 

additional sharp peaks in the coated biosuture spectrum that are indicative of dexamethasone. 
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5.3.4 Thermal evaluation of the biosutures by means of Thermogravimetric analysis 

(TGA) and Differential Scanning Calorimetry (DSC) 

TGA was performed in order to analyse the thermal stability and decomposition behaviour of 

the newly developed biosuture material. In addition to the TGA curve, the differential 

thermogravimetry (DTG) curve, which reports the degradation velocity, was obtained for all 

the pristine polymers and for the coated and uncoated biosuture. Alginate revealed a three-

stage decomposition (Figure 5.8 A), which has also been observed by other researchers 

(Nadeem & Datta, 2014; Salisu et al., 2015). The first stage, which can be seen from 50°C ï

150°C, resulted in a 17% weight loss and is ascribed to the evaporation of water bound to the 

hygroscopic alginate molecules (Zhao et al., 2018). The second stage of decomposition 

occurred around 240°C and lead to the greatest decrease in weight (46%). This can be 

ascribed to the complex depolymerization process where the alginate backbone is ruptured, 

and glycosidic bonds broken (Vincent et al., 2020). This stage of degradation initially took 

place at a very rapid rate, which can be deducted from the steep slope in the TGA curve, and 

then slowed down, presumably as the amount of available bonds decreased. Decomposition 

reached a maximum rate at 252°C, as shown by the strong peak or inflection point of the DTG 

curve (Figure 5.8 B). The final stage of decomposition, which can be seen around 800°C, 

involves the carbonization of the remaining material, with the release of Na2 and CO3, and 

resulted in a further 27% weight loss. This stage peaked at 853°C and left a char residue that 

accounted for 10% of the initial sample weight, and is in accordance with the work of Soares 

et al,. (Soares et al., 2004).  

 

Figure 5.8: A) TGA and B) DTG curves of pristine sodium alginate. 

The DSC results of the pristine polymers and the uncoated and coated biosuture is provided 

in Figure 5.9 A. The DSC curve of alginate revealed two thermodynamic events that 

correspond well with the TGA data of the polymer. The first event is an endotherm at 50°C ï 

150°C, which represents the evaporation of water from the sample and was also observed in 

the TGA graph within the same temperature range. The second event is a sharp exotherm, 
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with its peak at 242°C and reflects the decomposition of alginate with the release of energy as 

bonds break. No additional thermal events, such as melting or crystallization peaks, were 

observed for alginate and is in line with its low crystallinity, as shown by XRD studies. The 

results corresponds well with literature and have been reported by several other authors 

including Hou et al., Kataria et al., and Iswandana et al., (Hou et al., 2014; Iswandana et al., 

2018; Kataria et al., 2017).  

 

Figure 5.9: A) DSC curve of the pristine polymers and the uncoated and coated biosuture. B) 

Enlarged DSC curve of pectin, showing its glass transition (Tg) temperature.  

Pectin displayed a two-step degradation (Figure 5.10 A), which was confirmed by the DTG 

data, which also revealed two separate thermal events (Figure 5.10 B). The first step is found 

from 40°C to 170°C and accounts for the evaporation of molecular water from the sample. 

This first degradation step only lead to a 10% decrease in weight, which is less than what was 

seen with alginate, and coincides with the less hygroscopic nature of pectin compared to 

alginate (Sun et al., 2020). The second weight loss step took place from 200°C to 880°C with 

a maximum rate of decomposition at 252°C, as evidenced by the inflection point of the DTG 

curve. The main decomposition peak of the DTG curve, however, displayed two shoulders at 

208°C and 310°C respectively, which reflects different degradation rates and coincides with 

changes on the slope of the TGA curve at these temperatures. It has been reported that 

degradation in these temperature ranges is primarily derived from pyrolytic decomposition 

which consists of primary and secondary decarboxylation of the acid side group and the 

carbon in the ring. These processes take place at different rates and accounts for the change 

of slope in the TGA curve and the peak shoulders of the DTG curve (Ruano et al., 2020). From 

about 340°C decomposition takes place at a much slower rate and the polymer material 

continues to gradually degrade, leaving a final char yield of 18%.  
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Figure 5.10: A) TGA and B) DTG curves of pristine pectin.  

The DSC curve of pectin (Figure 5.9 A) revealed several interesting events, the first of which 

is an endotherm that peaks at 97°C and corresponds with the release of water, that was also 

seen in the TGA curve. There is a characteristic small endotherm at 53.5°C, that can clearly 

be observed when the graph is enlarged and is representative of the glass transition 

temperature (Tg) of pectin (Figure 5.9 B). This confirms the presence of an amorphous portion 

within the pectin matrix, that was also indicated by the crystallinity index and XRD results. 

Similar Tg values have been reported for other high methoxyl pectin samples, especially in 

the dry state where the low water content of the polymer limited the normal plasticizing and 

Tg depressing effect of moisture effect and itôs poor plasticizing effect did not succeed in 

depressing the Tg temperature (Jahromi et al., 2020; Perez et al., 2009). Additionally, two 

consecutive melting point (Tm) endotherms can clearly be seen on the pectin DSC graph at 

172°C and 190°C, respectively. This points to the  presence of two different crystal structures 

within the pectin matrix, each with their own specific melting temperature, as previously been 

described by Ajaz et al., (Ajaz et al., 2020; Auriemma et al., 2020). These two separate melting 

temperatures points to polymorphism and suggests that two different polymorphs are present 

within the sample, the one with the highest melting point being more stable (Giri et al., 

2013).The last thermal event, on pectinôs DSC curve, is an exotherm that peaks at 214ÁC and 

corresponds with the decomposition weight loss seen in the TGA curve.  

The TGA graph of gelatin, is very similar to that of pectin and also displays a two-step 

decomposition profile (Figure 5.11) that starts with a small decrease in weight (12%), due to 

the evaporation of molecular water. The second weight loss step, accounts for the 

decomposition of gelatin, which starts at around 225°C with the loss of intermolecular 

interactions and the destruction the 3D protein structure, and ends at around 520°C, where 

the peptide chain is fully ruptured. The DTG graph also reflects two peaks, one representing 

water loss and the other decomposition of the polymer which reaches a maximum rate at 

323°C.  
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Figure 5.11: A) TGA and B) DTG curves of pristine gelatin 

The DSC curve of gelatin shows two endotherms at 105°C and 222°C respectively and an 

exotherm at 300°C, which corresponds well with the TGA data. The first endotherm is found 

in the same temperature region as the boiling point of water and is, therefore, attributed to 

moisture evaporation, as described by Sahraee at al., (Sahraee et al., 2017). It has been 

widely shown that this peak overlaps with the glass transition temperature of gelatin, which is 

usually at a low temperature due to the amorphous nature of the polymer (Al-Saidi et al., 2011; 

Lau, Y W. Tan, 2010; Parvez et al., 2012). The second endotherm corresponds well with the 

start of the second weight loss step in the TGA data and reflects a phase change in the sample. 

According to Shehap et al., this endotherm represents the melting temperature of gelatin 

(Tm=222°C) and is the temperature at which the triple-helix crystalline structure of the polymer 

melts, as was suggested by the TGA data (Shehap et al., 2015). The exotherm at 300°C 

represents the decomposition of gelatin and is the temperature at which the peptide chains 

disintegrate, as was found by Salem et al., and others (Salem et al., 2015; Shehap et al., 2015; 

Subramanian & Vijayakumar, 2013). 

The TGA graph of the biosuture, looks a lot like that of alginate at first glance, yet there are 

several significant differences that become apparent when comparing the DTG graphs of the 

pristine polymer and the biosuture (Figure 5.12 A and B). The TGA data suggests that the 

biosuture undergoes a three-phase decomposition process, which according to the DTG 

graph includes several different steps during the second decomposition phase. The first weight 

loss phase can be observed from 40°C to 143°C according to the DTG graph, which provides 

the most accurate reflection of the temperature range at which the weight loss took place. This 

first phase can be ascribed to the evaporation of water but can potentially include water from 

the original hydrogel that was left in the biosuture sample after drying, in addition to the 

molecular water found in the pristine polymers. This would explain both the low temperature 

and high rate at which the weight loss occurs, since this entrapped moisture can escape much 

easier that the tightly bound molecular water found in the polymers. This also accounts for the 
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relatively high amount of weight loss (16%) compared to that of the constituting polymers, of 

which only alginate had a similar amount of weight loss due to water evaporation (17%). Yet, 

alginate makes out less than half of the biosuture sample weight and its molecular water could 

not account for this great and rapid weight loss due to water evaporation.  

In the biosuture fabrication process, there is two factors that could affect the thermal stability 

of the final biosuture material. The first is the addition of the plasticizer, glycerol, which 

interferes with the intermolecular interactions and decreases the thermal stability and the other 

is crosslinking, which leads to the formation of new ionic interactions and increases the thermal 

stability of the material (Azucena Castro-Yobal et al., 2021). The second weight loss phase of 

the TGA curve, represents the decomposition of the biosuture with rupturing of the polymer 

backbones. This process initiates at 223°C, which is very similar to the starting decomposition 

temperature of the pristine polymers (i.e., 224°C for alginate, 200°C for pectin and 225°C for 

gelatin). This suggests that the thermal stability of the biosuture is not significantly different 

from that of the pristine polymers and that the decreasing effects of the plasticizer and 

increasing effects of the crosslinker, potentially work at different timescales or events due to 

stress. Another good measure of the thermal stability of materials is the temperature at which 

50% of the material is decomposed. The biosuture material reached a 50% weight loss at 

403°C, which is considerably higher than the 291°C, 292°C and 346°C of alginate, pectin and 

gelatin respectively. This confirms that the crosslinking process improved the thermal stability 

of the biosuture material, despite the addition of a plasticizer, which has also been reported 

previously by Thomas-Busani et al., (Thomas-Busani et al., 2020). 

The DTG curve of the biosuture also reflected a higher rate of water evaporation from the 

biosuture sample, than from the pristine polymers as exemplified by the greater intensity of 

the first peak at 72°C. In the temperature range of the second weight loss phase, the DTG 

curve of the biosuture displays a bimodal peak at 236°C and 273°C and a broad shoulder from 

330°C (Fig 5.12 B). This clearly illustrates that the constituents of the biosuture material 

decomposed at different rates, albeit at within the same temperature range. In the pristine 

form, alginate and pectin displayed similar degradation rates at exactly the same temperature 

(252°C). It is, therefore, possible that these two peaks are overlapping in the DTG curve of the 

biosuture and collectively represent the one mode, while the decomposition of gelatin, which 

takes place at a higher temperature than the carbohydrates, represents the second mode. 

The shoulder of the peak corresponds well with the slight change in slope (i.e., decomposition 

rate) of the TGA graph during the same second phase of decomposition. Similar to alginate, 

the third and final weight loss phase is also reflected in the DTG curve as a small broad peak 

near 800°C. 
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Figure 5.12: A) TGA and B) DTG curves of the uncoated biosuture and C) TGA and D) DTG 

curves of the coated biosuture. 

The DSC curve of the biosuture again corresponds well with its TGA curve and shows a big 

endotherm around 100°C, which represents the removal of water from the sample. The next 

thermodynamic event, that can be observed on the DSC curve, is an exotherm that peaks at 

222°C, which again aligns closely with the TGA data where decomposition was seen at 223°C. 

In harmony with the low crystallinity index of the biosuture seen in the XRD results, no melting 

or crystallization peaks could be observed for the biosuture sample. It is possible that a Tg 

event did occur but was hidden by the great water evaporation endotherm in the same 

temperature range. After the decomposition peak, the DSC curve does not return to a proper 

baseline but continues upwards which is in agreement with the ongoing decomposition that is 

witnessed in the TGA curve. According to Saunders et al., DSC data should not be interpreted 

beyond the decomposition temperature as erroneous results is very likely at these 

temperatures where several endothermic and exothermic events occur in association with the 

decomposition process (Saunders et al., 2008). Hence, no further deductions were made from 

the DSC curve of the biosuture.  

The TGA and DTG graphs of the coated biosuture is nearly identical to that of the uncoated 

biosuture, indicating that the coating process did not dramatically affect the thermal stability of 

the material (Figure 5.12 A ï D). The TGA graph again showed a three-stage decomposition 
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profile with weight loss percentages that are exactly 1% less than that of the uncoated 

biosuture for each material. This could indicate a slight increase in thermal stability of the 

biosuture after coating, but more likely indicates that the lipid-drug coating shielded the 

biosuture against the effects of heating. However, the temperature at which 50% weight loss 

occurred in the coated biosuture sample, was exactly the same as without the coating (403°C), 

which confirms that the coating process did not have a noteworthy effect on the thermal 

stability of the biosuture. The DSC results of the coated biosuture also aligned precisely with 

that of the uncoated biosuture and revealed no new thermal events. The normal melting 

endotherm that is expected for a lipid such as soy phosphatidylcholine, was not observed in 

DSC curve of the coated biosuture. This is probably due to the small quantity of the coating 

material present in the sample in relation to the biosuture material and confirms that it had a 

negligible effect in terms of thermal properties.  

Since DSC data is extremely difficult to analyse, and requires a high level of expertise and 

experience, additional melting point analysis was conducted on the suture material to ensure 

that a potential melting peak was not overlooked or misinterpreted in the DSC curves of the 

biosuture materials. The melting apparatus allowed for visual inspection of the physical 

changes that occur in the biosuture sample as the temperature increased. As shown in Figure 

5.13 B, the suture material changed from the original transparent colour to slightly yellow at 

220°C, which signals the onset of decomposition, and stands in agreement with the TGA and 

DSC data. The suture material turned black and became carbonized around 264°C, which is 

again in line with the decomposition temperature seen in the TGA and DSC data. There was 

no signs of melting or phase changes during the temperature ramp and the biosuture 

maintained its original morphology surprisingly well. Interestingly, early on around 80°C ï 

100°C, small water droplets formed on the capillary tube, confirming the evaporation of 

moisture from the biosuture at this temperature range. 

 

Figure 5.13: Macroscopic appearance of the biosuture at different temperature points (x3 

magnification.  
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5.3.6 Evaluation of the surface morphology of biosutures by means of light microscopy 

and Scanning Electron Microscope (SEM) imaging  

SEM images (Figure 5.14) revealed a smooth, uniform biosuture surface that should easily 

glide through tissues without causing significant damage. The uniform appearance of the 

biosuture also confirms the compatibility and good distribution of the biopolymers that make 

up the material. The long fibre-like lines on the surface of the uncoated biosuture can be 

attributed to the extrusion process during manufacturing and can also be a consequence of 

the long polymeric chains of alginate and pectin that form during crosslinking. The average 

diameter of the uncoated and coated biosuture samples (n=10) were both 100 ± 1.5 µm, as 

calculated from light microscope images, shown in Figure 5.14 H. This suggests that the lipid-

drug layer is extremely thin and does not affect the biosuture diameter. Additionally, it confirms 

the diameter measurements taken with a digital vernier calliper in previous chapters and 

reaffirms that the biosutures belong to the 6-0 suture size (100 ï 149 µm), as specified by the 

USP monograph for absorbable surgical sutures. Figure 5.14 B shows the coated biosuture, 

which unfortunately cracked under the focussed electron beam of the microscope, but still 

confirms the successful coating of the biosuture. The lipid-drug coating looks like a silk draping 

that covers the biosuture surface in a dramatic fashion. The fact that the coating remained on 

the biosuture even after extensive handling and sample preparation, points to a good affinity 

of the coating material for the biosuture surface and suggests that it will also remain on the 

biosuture during suturing, which has previously been reported for similar coatings (Guambo 

et al., 2020). The SEM and light microscope images also confirmed the good elasticity of the 

biosutures and their ability to tie secure knots (Figure 5.14 E ï G) without any sign of fracturing 

or breaking at the bends where the strain is at its highest.  
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Figure 5.14: SEM images of the uncoated biosuture (A) and coated biosuture (B). Image (C) 

provides an enlarged (1.05K magnification) image of the coated biosuture without damage by 

the electron beam. Image (D) and (E) show in lens SEM images of the biosuture in the straight 

and knotted configuration, respectively. Light microscope images (F) and (G) show the 

morphology of tightened knots made with biosutures and (H) the diameter (103.02 µm) of a 

coated biosuture.  

5.3.7 Evaluation of the mechanical properties of the biosutures 

The mechanical properties of the uncoated and coated biosutures were again studied in detail 

to ensure acceptable performance for clinical use. Table 5.2 provides the average values of 

the studied mechanical properties and confirms that there was not a significant deviation from 

the results found in the previous chapters.  
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Table 5.2: Mechanical properties of the uncoated and coated biosutures. 

Biosuture Load 

failure  

(N) 

Tensile 

strength 

(N/mm2) 

Elongation 

at break  

(%) 

Youngôs 

modulus 

(MPa)  

Toughness  

(J.mm-3) 

Straight configuration 

Uncoated 4.09 ± 0.3 361.64 ± 0.3 18.35 ± 0.7 2.04 ± 0.4 10.52 ± 0.5 

Coated  4.17 ± 0.6 368.71 ± 0.6 18.58 ± 0.5 2.06 ± 0.5 10.85 ± 0.4 

Knot configuration 

Uncoated 2.42 ± 0.3 213.97 ± 0.3 9.45 ± 0.4 1.51 ± 0.5 2.61 ± 0.4 

Coated  2.59 ± 0.4 229.27 ± 0.4 12.28 ± 0.7 1.56 ± 0.3 2.79 ± 0.6 

As can be seen in Figure 5.15, the stress-strain curves of the uncoated and coated biosutures 

are very similar, with the coated biosutures reaching slightly higher tensile stress before 

fracturing. The Youngôs modulus of the biosutures is more or less the same before and after 

coating, while the toughness slightly increased. This suggests that the stiffness of the material 

was not drastically altered by the coating process, but that the coated biosuture is able to 

undergo a greater amount of plastic deformation and absorb more energy than the uncoated 

biosuture before breaking. This is a highly desirable quality in any suture material and 

suggests that the biosuture will tend to bend rather than break during handling and knot tying. 

The stress-strain curves of the biosutures in the knotted configuration, display a typical 

bimodal shape where the first mode represents the tightening of the knot and the second mode 

reflects the inherent properties of the material. It is widely accepted that the knot is the weakest 

point of a suture and the primary position where the material will fracture, and the same 

observation was made in the current study. Yet, as can be deduced from Figure 5.15 B, the 

biosutures were able to withstand an impressive amount of stress and strain after tightening 

of the knot, before finally rupturing at the knot site. The minimum requirement for knot strength, 

as specified by the USP for 6-0 sutures is 1.76 N for an individual strand and 0.98 N on 

average. Hence, both the uncoated and coated biosutures produced in this study meet the 

minimum requirements set by the USP for mechanical performance, which again suggests 

that the biosutures suitable for in vivo clinical use. 
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Figure 5.15: Stress ï strain curves of the uncoated and coated biosutures in the (A) straight 

configuration and (B) knotted configuration.  

5.2.8 Evaluation of the in vitro drug loading and release behaviour of the biosutures 

In the previous chapter, coating of the biosutures with lipid-drug layer consisting of soy 

phosphatidylcholine and dexamethasone was identified as the most appropriate method of 

dug loading for this study. This method provided a suitable drug loading capacity but since 

ischemic reperfusion injury (IRI) might require high local drug dosages, we decided to increase 

the concentration of the lipid-drug layer from 5% w/w to 8.5% w/w to see if a higher drug 

loading capacity could be achieved. This change in concentrations caused the loading 

capacity of the biosutures to increase from 53 ug/cm to 101 ug/cm with a practical loading 

capacity of 2020 ug per 20 cm biosuture. This dosage is still within the acceptable dosage 

range for localized dexamethasone administration (500 ï 2500 ug) and will not result in toxic 

drug levels in vivo but might improve the therapeutic effect achieved with the biosutures. The 

lipid-drug ratio was kept the same to avoid any unwanted changes in the drug release profile.  

As can be seen in Figure 5.16, the drug release profile did not change significantly from what 

was achieved in the previous chapter and the lipid-drug layer still provided controlled drug 

release. In contrast with Chapter 4, we continued the drug release study until the cumulative 

release no longer increased, i.e., the drug release process was complete. The highest 

cumulative release (%) value was achieved after 10 days of incubation with 98.44 ± 1.05 % of 

the loaded drug released at this timepoint. Drug release over the last 3 ï 4 timepoints reflected 

linear drug release kinetics, as was discussed and predicted in Chapter 4. It can be concluded 

that the drug release method employed in this study provides favourable and reliable 

controlled drug release with almost 100% of the loaded drug released after 10 days of 

simulated physiological conditions. Naturally, there is a chance that the drug release behaviour 

might change in vivo, and this will have to be confirmed in future studies.  
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Figure 5.16: Cumulative drug release from coated biosutures expressed as (A) amount 

(ug/cm) and B) percentage (%) of drug released over a period of 12 days. 

5.2.9 Evaluation of the in vitro swelling and degradation behaviour of the biosutures 

After crosslinking, polymeric hydrogels tend to no longer dissolve in aqueous media but rather 

swell upon immersion in ionic buffers. The swelling behaviour is dependent on the inherent 

properties (e.g. hydrophilicity) and concentration of the polymers as well as crosslinker factors, 

such as degree of crosslinking and the type of crosslinker used (Li et al., 2016). In the current 

study, the uncoated and coated biosutures gradually swelled to reach an equilibrium swelling 

ratio of 9.213 and 8.741, respectively. It should be noted that the biosutures revealed no 

swelling upon immersion in pure distilled water, which indicates that the swelling behaviour is 

governed by ionic interactions with ions, such as sodium (Na+) in the employed buffer. As can 

be seen in Figure 5.17 A, the coated biosutures swelled at a considerably slower pace that 

the uncoated biosutures, even though they both had similar final swelling ratios. This can be 

ascribed to the hydrophobic lipid-drug layer that covers the coated biosuture and delays water 

absorption. The ends of the biosutures, where the samples were cut during preparation, are 

however not covered by the hydrophobic layer, and allows water to freely penetrate the 

system, albeit at a much slower rate due to the small surface area that is exposed.  

Overall, the swelling profiles of the biosutures are more gradual than what previously reported 

for other physically crosslinked alginate systems. Giz et al., for example, found that crosslinked 

alginate films swelled rapidly within the first 5 minutes of immersion in an aqueous media and 

reached equilibrium swelling after 50 ï 60 minutes (Giz et al., 2020). Similarly, alginate-pectin 

films prepared by Shahzad et al., swelled within 15 minutes and reached their swelling limit 

after 2 hours (Shahzad et al., 2019). Yet, these systems were all crosslinked with calcium as 

crosslinking ion, while in the current study we employed barium as crosslinking agent. 

According to Bajpai & Sharma, the barium ion, which has a larger radius than calcium, fits 
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securely in the polymer chain and does not undergo ion exchange as readily as other, smaller 

divalent cations (Bajpai & Sharma, 2004). This has been confirmed by Valentin et al., who 

found that alginate hydrogels that were crosslinked with Ba2+, swelled and degraded at a 

slower rate than those that were crosslinked with Ca2+ or Mg2+ (Valentin et al., 2017).  The 

gradual swelling of the biosutures in the current study can, therefore, safely be ascribed to the 

large size if the barium ions that are tightly bound to the carboxyl groups of alginate and do 

not readily participate in the ion-exchange process.  

 

Figure 5.17: Swelling ratio (A) and degradation expressed as percentage weight loss (B) of 

the uncoated (black) and coated (blue) biosutures as a function of time immersed in phosphate 

buffered saline (pH = 7.4) at 37°C. C) SEM images of biosuture samples after 7 (i), 14 (ii) and 

28 (iii) days of degradation. 

Additionally, the moderate swelling ratio of the coated and uncoated biosutures (9.213 and 

8.699, respectively) is most probably a result of the type and concentration of both the 

biopolymers and crosslinkers employed. According to Li et al., crosslinking with 1.5% w/v 

calcium results in a fully crosslinked alginate system that provides significant resistance to 

swelling  (Li et al., 2016). In the current study, barium, which has a greater ionic strength than 

calcium, was employed at 2% w/v, suggesting that the biosuture system has a high 

crosslinking density and is aptly able to resist water penetration. Yet, alginate and gelatin are 

extremely hydrophilic polymers that are known to have high water absorption capacities, 

especially at the concentrations used in the current study (Shahzad et al., 2019). Pectin, 

however, has been found to dramatically decrease the swelling capacity of gelatin films by 
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forming strong electrostatic interactions with the polymer, which hinders the penetration of 

water molecules (Farris et al., 2011). Hence, the specific combination of polymers and 

crosslinker used in the study, possibly resulted in equidistant swelling behaviour where the 

high level of crosslinking largely prevented and stalled water penetration, but the 

hygroscopicity of the biopolymers ensured that sufficient swelling did take place. Furthermore, 

it should be noted that the swollen biosutures maintained their structural integrity with no signs 

of cracking or fracturing during the swelling process and remained easy to handle, even at 

their maximum swelling capacity.  

The degradation of the biosutures were studied over a period of 35 days, through incubation 

in PBS (pH = 7.4) at 37°C, rotating at 25 rpm to mimic physiological conditions. The results 

were near identical to what was found in Chapter 4, with only the initial value being slightly 

higher, as can be seen in Figure 5.17 B. The degradation of alginate, pectin and gelatin 

systems are primarily based on hydrolysis and erosion mechanisms (Wang et al., 2019). The 

human body does not produce the enzyme necessary to enzymatically degrade alginate and 

even though it does produce proteases (e.g. collagenase) that can degrade gelatin, several 

authors have found similar degradation rates for gelatin with or without collagenase, 

confirming a mainly hydrolytic degradation process for gelatin based systems (Van Den Bosch 

& Gielens, 2003; Rosellini et al., 2009). In the current study, the uncoated and coated 

biosutures revealed similar degradation profiles, with the coated biosutures undergoing 

slightly less degradation, which is in accordance with the TGA results described earlier. The 

degradation profiles revealed an initial rapid weight loss within the first week, followed by a 

more gradual weight loss over the following weeks. The first rapid weight loss phase 

corresponds well with literature and can be ascribed to loss of the lipid-drug layer from the 

biosuture surface, leaching of the plasticizer out of the system as well as the easier removal 

of trapped water molecules after the swelling process (Li et al., 2012).  

After the initial rapid weight loss in the first week, the biosutures continued to gradually 

degrade at a constant pace which can be ascribed to surface erosion due to hydrolytic 

degradation. In general, swellable polymer systems undergo one of two types of degradation 

processes ï bulk erosion of surface erosion. Surface erosion occurs when the diffusion of 

water into the system is slower than the hydrolytic reactions and the water is used before it 

can reach the bulk of the system. This results in gradual and continuous degradation from the 

surface of the system, while bulk erosion is characterized by a period of no erosion followed 

by a sudden and spontaneous loss of weight and strength (Schedl, 2002). In the current study, 

SEM images of the biosutures during different time points of degradation, confirm surface 

degradation as the primary mechanism of degradation (Figure 5.17 C). This form of 

degradation is ideal in suture materials where a sudden, rapid loss of suture material can lead 
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to wound dehiscence and failure of the wound to heal (Goel, 2016). However, gradual removal 

of the material from the biosuture surface will provide continuous, diminishing support to the 

wound as it heals and regains its own strength. Both the uncoated and coated biosutures were 

fully degraded after 5 weeks of incubation. This suggests that the biosuture will remain in the 

body long enough to support the healing wound (healing usually takes 2 ï 3 weeks) and will 

be fully removed from the body shortly after the wound healing process is complete, thereby 

preventing unwanted irritation caused by the lengthy presence of a foreign body in the wound.  

5.4 Conclusion 

In order to determine if the newly developed biosuture material was at all suitable for clinical 

application, characterization, and analyses of the physiochemical and physicomechanical 

properties of the starting materials and biosutures, were necessary. The chemical structures 

and purity of the pristine biopolymers were confirmed with Fourier Transform Infrared 

Spectroscopy (FTIR). The FTIR spectrum of crosslinked sutures depicted D9 cm-1 downward 

shift for the carboxyl stretching band which was indicative of ionic interactions between barium 

ions and sodium alginate, while the characteristic C-F bond, observed as a vibration at 1242 

cm-1, confirmed the presence of the drug on the coated biosutures. X-ray diffraction (XRD) 

spectra revealed a semi-amorphous c structure in the biosuture, which aligned well with the 

mechanical properties thereof. Thermogravimetric analysis (TGA) and Differential Scanning 

Calorimetry (DSC) revealed good thermal stability in the biosutures, which was increased by 

the crosslinking process. Surface analyses by means of Scanning Electron Microscopy (SEM) 

revealed a smooth, uniform surface morphology that will allow the biosuture to easily glide 

through tissues without causing unwanted sawing or damage. Imaging also confirmed the 

average diameter of the biosutures (100 ± 0.5 µm) and their ability to tie secure knots.  

The mechanical properties of the biosutures remained unchanged and again exceeded the 

minimum requirements specified out by the United States Pharmacopoeia for absorbable 

suture materials. The lipid-drug coating provided an effective loading capacity of 101 ug/cm, 

that should provide effective drug concentrations in vivo. The drug release profile was very 

similar to what was obtained in the previous chapter, which confirms the accuracy and 

reproducibility of the results. Near 100% drug release was achieved after 10 days of incubation 

under simulated physiological conditions, which is a suitable time frame for the prevention of 

ischemic reperfusion injury and no-reflow in microvascular surgery. The biosutures displayed 

a near ideal degradation profile with gradual weight loss, that was confirmed to be the result 

of surface erosion. The biosutures were fully degraded after 5 weeks, which is also suitable 

within the context of wound healing and revascularization. The results were overall very 

encouraging and warrants further investigation of the biosutures in terms of biocompatibility 

and in vivo activity.     
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CHAPTER 6: ANALYSIS OF THE IN VITRO BIOCOMPATIBILITY OF THE NEWLY 

DEVELOPED BIOSUTURES 

 

6.1 Introduction 

Biocompatibility is arguably the most important property of any biomaterial and even though 

the individual components of the newly developed biosuture are well established in terms of 

safety and biocompatibility, itôs crucial to confirm the biocompatibility of the biosuture itself 

(Tan et al., 2020). In vitro biocompatibility studies are invaluable in predicting the potential 

safety of a biomaterial in vivo and have the added benefit of not requiring animal sacrifice. 

Additionally, a wide array of studies, that evaluate different aspects of biocompatibility such 

as cytotoxicity, cellular attachment, migration or even secretion of inflammatory markers, can 

be evaluated in vitro (Przekora, 2019).  

In this chapter cell viability in the presence of the biosuture material will be evaluated using 

two different cell lines, namely Human Embryonic Kidney cells (HEK 293) and Mouse 

fibroblasts cells (3T3), to ascertain any possible cytotoxic effects that the biosutures might 

have. The selection of these cell lines is based on their reputable performance, widespread 

use to evaluate cytotoxicity and availability in the cell bank of our laboratory (Bhavsar et al., 

2019). Additionally, HEK 293 cells are specifically used because of their human origin, which 

should provide an accurate picture of the influence of the biosutures on human cells. Fibroblast 

cells are found in connective tissue all over the body and play a critical role not only in wound 

healing, but also angiogenesis, which serves as motivation for their employment in this study 

(Desjardins-Park et al., 2018). It should be noted that another cell line, namely Human 

Umbilical Vein Endothelial Cells (HUVEC) was precured specifically for this study. 

Regrettably, the first batch got contaminated soon after revival and the second batch showed 

very low cell viability after revival and did not reach confluence even after many weeks of care 

and coaxing. In this chapter, cell viability will be quantified with a colorimetric assay (based on 

the XTT, 2,3-bis-(2-methoxy-4-nitro-5-sulfophenyl)-2H-tetrazolium-5-carboxanilide, reagent) 

using an indirect method, described in ISO 10993-5, which outlines how biomaterials should 

be evaluated for biocompatibility (2009).  

One of the key differences between the newly developed biosuture, and other synthetic 

sutures, is its natural origin and the presence of specific amino acids, such as the tripeptide 

Arg-Gly-Asp (RDG), in the biosuture material which could mediate cell attachment or adhesion 

to the biosuture surface (Wu et al., 2020). Hence, a cell attachment experiment will be 

performed in this chapter to confirm the ability of cells to adhere to the biosuture surface, which 

might improve cell proliferation and even support wound healing in vivo.  
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Hemocompatibility is another critical component of biocompatibility, which often limits the 

clinical applicability of blood-contacting biomaterials, such as the biosutures developed in this 

study. The biosutures will be in direct contact with blood, which is a complex óorganô consisting 

of plasma, erythrocytes, leukocytes and platelets, from the moment of implantation, until it is 

degraded (Nalezinková, 2020). Hence, it is imperative to ensure that the biosutures do not 

cause any adverse interactions that could trigger the activation and destruction of the blood 

components. If erythrocytes or platelets are activated, thrombosis will immediately ensue 

which, in the case of microvascular surgery, could lead to vascular occlusion and surgical 

failure. Moreover, the thrombus can dislodge and cause additional serious complications, such 

as pulmonary embolism, myocardial infarction, or stroke (Siedlecki, 2018). Erythrocytes are 

the most abundant and most rigid cells in the blood, which makes the extremely prone to 

rupture (haemolysis) when exposed to hypotonic solutions or cationic and toxic materials. 

Platelets are the smallest and second most abundant cell in the blood and can swiftly 

recognize foreign substances and activate blood coagulation (Picone et al., 2019). According 

to Weber et al., in vitro models of hemocompatibility evaluation of biomaterials and are more 

reliable and accurate than in vivo models, since they allow analysis under well controlled 

conditions and eliminate disturbing factors such as flow obstruction, surgery and tissue effects 

that can occur in vivo (Weber et al., 2018). Hence, we will perform the two most common in 

vitro blood compatibility tests, namely haemolysis and platelet activation, to confirm the 

biocompatibility of the biosutures.  

6.2 Materials and methods 

6.2.2 Materials 

Human embryonic kidney cells (HEK 293) and mouse embryonic fibroblast cells (NIH-3T3) 

were purchased from Cellonex (Johannesburg, South Africa). Dulbeccoôs minimal essential 

medium (DMEM), foetal calf serum (FCS), antibiotics (100 IU/mL penicillin and 100 IU/mL 

streptomycin), collagen, Triton X-100 and a cell proliferation kit (XTT), were obtained from 

Sigma-Aldrich (St. Louis, Missouri, USA). Anticoagulated sheepôs blood was graciously 

provided by the National Health Laboratory Services of South Africa and human whole blood 

was collected into sodium citrate anticoagulation tubes, from healthy volunteers (ethical 

clearance number: M180978).  

6.2.2 Evaluation of the in vitro cytotoxicity of the biosutures 

Cytotoxicity evaluation was performed on two cell lines, namely a human embryonic kidney 

cells (HEK 293) and mouse embryonic fibroblast cells (NIH-3T3). Cells were revived from 

cryogenic freezing by placing a 1.5 mL vial with the cells into a water bath set to 37 °C, with 

extreme care to ensure the water level does not reach the cap of the vial. Once defrosted, the 

cells were carefully aspirated and transferred to a T-75 cell culture flask supplemented with 
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Dulbeccoôs minimal essential medium (DMEM), containing 10% foetal calf serum (FCS) and 

antibiotics (100 IU/mL penicillin and 100 IU/mL streptomycin). Culture flasks were kept in a 

controlled incubator (37 °C, 95% humidity and 5% CO2). Once 80% confluency was reached, 

the cells were seeded into 96-well plates (3 x 103 cells/well) and incubated for 24 hours.  

An XTT cytotoxicity assay was performed as outlined by ISO 10993-5, using an indirect extract 

method previously employed by Baygar et al. (Baygar et al., 2019). Extracts were prepared 

by incubating the uncoated and coated biosutures (5cm/mL) in fresh culture media for 5 days. 

High extract concentrations were used so as to exaggerate the clinical use conditions and 

determine any potential toxicological hazard. After the seeded cells were incubated for 24 

hours, the 96-well plates were treated by removing the culture media and replacing it with 100 

µl of either the uncoated or coated extract medium. All treatments were performed in triplicate 

across a concentration range of 1.25 cm/mL, 2.5 cm/mL and 5 cm/mL. Some cells were also 

treated with drug solutions, at concentrations equal to what was loaded on the biosutures (i.e., 

126 µg/mL, 252.5 µg/mL and 505 µg/mL. Normal culture medium was used as negative control 

and 5-flurouracil (0.1% w/v) as positive control. The 96-well plates were incubated for 24 and 

48 hours at 37°C, 5% CO2 and at the end of the incubation period, the cell viability was 

determined by XTT assay according to the standard protocol. Briefly, 100uL of the electron 

coupling reagent (ECR) was added to 5 mL of the XTT labelling reagent and 50uL of the XTT 

mixture immediately added to each well (final concentration, 0.3 mg/mL) followed by 

incubation for 4 hours. The spectrophotometric absorbance of each sample was measured 

with a multiplate reader (VICTORTM X Multilabel Plate Reader, Perkin Elmer, SA) at 450 nm, 

with 650 nm as reference wavelength. The percentage cell viability was calculated according 

to equation 6.1: 

ὅὩὰὰ ὺὭὥὦὭὰὭὸώ Ϸ   ὼρππ                                                                               Equation 6. 1 

6.2.3 Evaluation of cellular attachment to the biosutures 

Segments (0.5 cm in length) of the uncoated and coated biosutures were placed on the bottom 

of a 96-well plate and 100 µL of HEK 293 cells in fresh culture medium (7500 cells/well) 

seeded on top of the biosutures. The cellular adhesion to the biosuture surface was evaluated 

qualitatively at different time points (1, 24 and 48 hours after incubation) with a CKX53 light 

microscope (Olympus, Tokyo, Japan).  

6.2.4 Evaluation of the haemolytic activity of the biosutures 

The haemolytic activity of the uncoated and coated biosutures were evaluated on both sheep 

and human blood according to the indirect method, as outlined in practice F619-03 and 

described by Sunitha et al., (Sunitha et al., 2017). Anticoagulated whole blood was centrifuged 
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at 3000 rpm for 15 minutes to separate the blood constituents. The top layer of platelets and 

leucocytes were removed, and the erythrocyte pellet washed twice with isotonic phosphate 

buffered saline (PBS). The erythrocytes were diluted with PBS to obtain an 8% v/v suspension. 

Small 2 mL Eppendorf tubes were filled with 1 mL erythrocyte suspension and 0.5 mL 

biosuture extract (5 cm/mL), which was prepared by incubating the uncoated and coated 

biosutures in PBS for 5 days at 37°C. The Eppendorf tubes were incubated for 24 hours at 

37°C with constant agitation (25 rpm) to mimic in vivo conditions. After incubation, the 

erythrocyte suspensions were again centrifuged at 3000 rpm for 15 minutes and 100 uL of the 

supernatants transferred to a 96-well plate. The absorbance of the supernatants was 

measured at 540 nm using a multiplate reader (VICTORTM X Multilabel Plate Reader, Perkin 

Elmer, SA). Triton X-100 (1% v/v) was used as positive control and PBS as negative control. 

All experiments were performed in triplicate and the average percentage haemolysis 

calculated according to equation 6.2: 

Ϸ ὌὥὩάέὰώίὭί 
 

 
 ὼ ρππ                                                                            Equation 6. 2 

Where ODs, ODn, and ODp are the absorbance values of the sample, negative control, and 

positive control, respectively.  

6.2.5 Evaluation of the platelet activation ability of the biosutures 

Platelet activation was evaluated microscopically, by studying the change in platelet shape as 

a function of incubation with uncoated and coated biosuture extracts (Okpalugo et al., 2004). 

Both sheep and human blood was again centrifuged, this time at 1200 rpm for 15 minutes to 

obtain platelet rich plasma (PRP) which formed at the top of the centrifuge tube. Platelets were 

transferred to a 48-well plate (406 x 104 platelets/mL for sheep blood and 67.5 x 104 

platelets/mL for human blood). Due to the small amount of human blood that was available, a 

much lower concentration of human platelets had to be used. Extracts of the uncoated and 

coated biosutures (5 cm/mL) were prepared by incubation of the biosutures in PBS for 5 days 

at 37°C and 100 µl of each extract added to the wells in triplicate. Collagen (100 ug/mL) served 

as positive control and PBS and negative control. After static incubation for 1 hour at room 

temperature, the treated wells were visualized with a CKX53 light microscope (Olympus, 

Tokyo, Japan) and the morphology of the platelets studied.     

Statistical analysis 

All data values are presented as mean ± standard deviation. Differences were assessed using 

Studentôs t-tests (GraphPad Prism 2021) and the data in figures marked by (*) for p<0.05 and 

(**) for p<0.01.  
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6.3 Results and discussion 

6.3.1 Evaluation of the in vitro cytotoxicity of the biosutures 

Good biocompatibility is one of the basic requirements of any implantable biomaterial. We 

assessed the cytotoxicity of the biosutures, firstly by treating cells with a series of biosuture 

extracts, that were prepared by incubating increasing amounts of biosuture in cell culture 

media, and secondly by directly adding biosuture segments of increasing length to the cell 

seeded wells. Cell viability was evaluated at 24 and 48 hours using two cell lines, HEK 293 

and NIH-3T3, and a colorimetric XTT method to establish the metabolic activity of the cells. 

Normal culture medium was used as negative control and taken to provide 100% cell viability. 

According to ISO 10993-5 a biomaterial is considered cytotoxic if it reduces the cell viability 

by more than 30% (2009). As can be seen in Figure 6.1. and 6.2., all of the tested samples 

displayed good biocompatibility, with none displaying more than 5% decrease in cell viability. 

Increasing biosuture concentrations correlated with greater suppression of cell growth, in both 

cell lines. Yet even the highest concentration of 5 cm/mL (which is considerably higher than 

the 1 cm/mL reported in similar previous studies) was not cytotoxic.  

 

Figure 6.1: Percentage cell viability of HEK 293 cells after A) 24 hours and B) 48 hours, with 

p<0.05 indicated as (*) and p<0.01 as (**).  

After 24 hours of incubation with HEK 293, extracts of the uncoated biosutures, resulted in cell 

viability values very similar to that of the negative control, i.e., 99.6%, 99.2% and 98.3% for 

increasing extract concentrations (Figure 6.1). The direct method, however, resulted in slightly 

lower values of 98.1%, 96.4% and 95.7%, possibly due to initial shock from exposure to the 

large unfamiliar biosuture surface. Extracts of the coated biosutures, also suppressed cell 

growth to a greater extent than extracts of the uncoated biosutures, with cell viability values of 

98.5%, 97.9% and 96.2%, which is still indicative of good biocompatibility. Direct incubation 

with coated biosuture segments, again resulted in a lower cell viability, and provided the lowest 




















































































































