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Abstract 
 

Popular bioadhesives, such as fibrin, cyanoacrylate and albumin–glutaraldehyde-based materials, 

have been applied for clinical applications in wound healing, drug delivery, and bone and soft tissue 

engineering; however, their performances are limited by weak adhesion strength and rapid 

degradation. The long-term goal of this research is to develop a strong tissue adhering 

nanocomposite for tissue interfacing and wound healing applications. We begin by developing a 

mussel-inspired, nanocomposite–based, biodegradable tissue adhesive by blending poly (lactic-co-

glycolic acid) (PLGA) or N-hydroxysuccinimide modified PLGA nanoparticles (PLGA-NHS) and 

polydopamine nanoparticles with mussel-inspired polymers. Adhesive strength measurement of the 

nanocomposites on porcine skin-muscle constructs revealed that the incorporation of nanoparticles 

significantly enhanced the tissue adhesive strength compared to the mussel-inspired adhesive alone. 

To further optimize this nanocomposite system, we studied the effects of nanoparticle sizes, 

concentrations and types as well as types of hydrogel materials including alginate and hyaluronic 

acid-based materials on the tissue adhesive strengths of the nanocomposites. The nanocomposites 

made from alginate-based polymers were degradable and cytocompatible in vitro and elicited in 

vivo minimal inflammatory responses in a rat model, suggesting clinical potential of these 

nanocomposites as bioadhesives. The Hyaluronic acid-based polymers were found to have the best 

tissue adhesion at 40% w/v polymer concentration. In addition, among the tested nanoparticles 

(PLGA, PLGA-NHS, Silica and Polydopamine), the developed polydopamine nanoparticles at 200 

nm size and 12.5 % w/v concentrations were found be the most effective in enhancing the adhesion 

of mussel inspired hydrogels (Alginate-dopamine and Hyaluronic acid-dopamine) with adhesive 

strengths increasing with further increase in nanoparticle concentrations up to 40 % w/v in the 

nanocomposite blends of Hyaluronic acid-dopamine polymers. Finally, we developed this optimal 
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nanocomposite adhesive into an antimicrobial tissue adhering degradable system and demonstrate 

its antimicrobial effectiveness on E. Coli and S. Aureus species of bacteria with potential 

applications of this nanocomposite for healing of chronic wounds.  

Keywords: bioadhesives, nanoparticles, nanocomposites, tissue interfaces, tissue adhesion, 

antimicrobial delivery 
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Chapter 1 
INTRODUCTION 

1.1) Introduction to Tissue Adhesives 

Surgical intervention plays a critical role in ensuring reconnection of injured tissues to facilitate 

restoration of tissue structure, function and hemostasis. The conventional methods to connect 

tissues during surgeries involve the use of sutures, staples, and wires which are applied to 

mechanically hold the tissues in close proximity to stop bleeding or fluid leakages and promote 

faster healing while resisting tensile loads applied to the tissue. Despite their popular use in the 

clinic, these methods of adhering tissues have many limitations such as causing damage to the 

surrounding tissues, requiring secondary surgeries for removal, and interfering with tissue healing 

processes [2-6]. In addition, the complete adherence of tissues using sutures, staples or wires 

requires a high level of experience by the operating surgeon and is not easily applicable in every 

clinical scenario, specially at places and locations that are hard to reach internally. Also, these 

mechanical methods are ineffective in adhering blood vessels and soft tissues like liver, spleen and 

kidney. There are approximately 114 million surgical and procedure based wounds occurring 

worldwide each year and the global wound closure market is predicted to reach $14 billion by 

2018 [7]. In regard, to the growing healthcare costs associated with wound closure and the 

shortcomings of conventional methods, it becomes necessary to develop better alternatives to 

adhere tissues together.  

One attractive option to alleviate the use of conventional methods is the use of biomaterials that 

can be applied over tissue surfaces and cause them to adhere together like glues. Such class of 

biomaterials are termed tissue adhesives or bioadhesives and they offer a simpler, quicker and 

suture less way of reconnecting tissues and restore tissue functionality. These tissue adhesives can 

simplify complex wound closure procedures while reducing surgery cost and time. A tissue 
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adhesive is generally defined as any substance that can polymerize in situ and help adhering two 

surfaces, one of which at least is a tissue [3]. Depending on the application, a tissue adhesive can 

function as an adhesive and bind different tissues together as well as allow proper healing to occur 

and function either as a hemostat to prevent bleeding and blood loss from tissues or function as a 

sealant to prevent gas or fluid leakage from tissues. Tissue adhesives can enhance tissue repair and 

wound healing at the same time reduce operative risks and costs. The use of tissue adhesives 

provides a needle free method of wound closure thus protecting the surgeon from the risk of 

needlestick injury while providing a better cosmetic outcome as compared to sutures. In addition, 

tissue adhesives also provide the potential for drug delivery in the form of slow and localized 

release of antibiotics to prevent wound infections and of growth factors to encourage cell growth 

and wound healing [5, 6]. The application of tissue adhesive with drug delivery was demonstrated 

as early as 1947 with the application of the gum tragacanth with a dental adhesive powder to 

deliver penicillin to the oral mucosa. This formulation was later known as ‘Orabase’ and it was 

made up of a mixture of polymers: gelatin, pectin, and carboxymethyl cellulose, which form a 

paste that sticks to the wet surfaces of the mouth for the treatment of mouth ulcers [5]. The first 

use of a modern synthetic tissue adhesives can be traced back to the use of cyanoacrylate adhesives 

developed in 1949 for use on small superficial lacerations and incisions; however, their limited 

physical properties and chronic inflammatory reactions made their use in the treatment of wounds 

ineffective. Further attempts at improving these shortcomings led to the development of n-2-

butylcyanoactylates. These adhesives despite being purer and stronger could not be clinically 

applied due to their low tensile strength and brittleness. Following this, many different types of 

tissue adhesives have been developed over the past 30 years, using many different types of 

materials. To function as a surgical tissue adhesive an ideal material needs to demonstrate several 
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different properties and satisfy many clinical requirements, some of which are summarized in 

Table 1.1. 

Table 1.1: Summary of desirable properties needed in an effective tissue adhesive. 

Desired intrinsic property Comments 

Adhesion Surgical adhesive must be able to hold two 

tissues together without external support until 

the wound heals, after which the adhesive 

should degrade into nontoxic biocompatible 

components.  

Curing The adhesive must have the ability to cure 

itself in the tissue environment, especially in a 

moist environment. 

Flowability The adhesive must have an ability to flow. 

 Flowability of an adhesive relates to the 

movement of polymer chains and controls the 

amount of interpenetration between polymers 

and tissue surfaces. 

Hydrophilicity Hydrophilic polymers are preferred as they 

can form strong bonds with highly 

hydrophilic tissues. 

 

Hydrogen bonding 

The presence of strong hydrogen bonding 

groups like OH and COOH in the monomer 

can promote hydrogen bonding between 

polymer chains effecting the flowability and 

cohesive strength of the adhesive. 

 A minimum cohesive strength is required of 

a good adhesive. 

 

Molecular Weight 

High molecular weight polymers (>100KDa) 

make for better adhesives as they provide 

higher degree of entanglement. 
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Surface tension (Wettability) 

For any adhesive to adhere to a substrate, its 

surface energy must be equal to or less than 

the substrate. Lower surface tensions promote 

the polymer to spread across the substrate for 

better adherence. 

 

Crosslinking Crosslink formation in an adhesive promotes 

increased mechanical strength required by the 

adhesive to transfer shear stress across the 

adhered surfaces. 

 

1.2) Adhesion Theory and Mechanisms 

Adhesion involves the tendency of atoms or molecules to stick to each other. The sticking of 

dissimilar atoms or molecules to each other is termed adhesion whereas the sticking of similar 

atoms or molecules is termed cohesion. Adhesion involves molecular interactions at the interface 

between materials. Cohesion, on the other hand, is dictated by the intermolecular attractions 

between like molecules or atoms and is represented by the cohesive strength of a material or tissue    

The state in which two materials, one of which is biological in nature  held together for long periods 

of time by interfacial forces is termed as bioadhesion [5]. The term bioadhesion was first used in 

the 1970’s to describe the ability of some synthetic and biological macromolecules and 

hydrocolloids to adhere to biological tissues. There are many examples of bioadhesion in nature 

such as, the vertical motions of gecko on upside down surfaces and the strong attachment of 

octopuses and mussels on underwater substrates. Generally, this type of adhesion involves the 

secretion of various bioadhesives made up of proteins, polysaccharides, and lipids along with 

manipulation of various surface physical forces like Van der Walls forces, capillary forces and 

suction forces induced by a pressure differential [8]. 
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Bioadhesion differs from conventional adhesion with respect to the requirements and properties of 

the substrates being adhered and is governed by interfacial phenomena [5]. To achieve adhesion, 

an adhesive must have the ability to flow and wet the substrate to be attached and maintain a certain 

degree of physiochemical intermolecular forces for adherence to the substrate [5]. Depending on 

the adhesive and the substrate interaction, the nature of these intermolecular forces facilitating 

adhesion can vary, and this variance gives rise to different mechanisms of bioadhesion that are 

reported in literature. These mechanisms are majorly divided into: electrostatic interactions, 

surface wetting, adsorption, diffusion and mechanical interlocking. These mechanisms are briefly 

reviewed in the following sections. 

1.2.1) Electrostatic interactions: 

The proximity of a tissue and adhesive surface can lead to transfer of electrons between them due 

to differences in electron band structures, leading to the formation of an electric double layer at 

the interface between the tissue and the adhesive. The strength of the adhesion is due to the 

attractive forces present in this electric double layer, which account for the resistance to separation 

[5]. 

1.2.2) Surface wetting: 

The wetting theory relies on the ability of the adhesive to spread and make molecular contact with 

the tissue surface. The molecular contact between the adhesive and tissue results in the 

development of surface forces, and these interfacial forces are the first basis of bond formation 

between the adhesive and tissue. Wetting is defined as the process of establishing a very close and 

continuous contact between the adhesive and the tissue. An adhesive can effectively wet an 

adherent if its surface tension is lower than the critical surface tension of the adherent. In order to 

have a high adhesive bond with the tissue, the adhesive has to completely wet the tissue by 

maximizing contact with the tissue topography by flowing into the defects and crevices of the 
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tissue. High quality wetting is achieved when the contact angle between the adhesive and the tissue 

is close to zero [9]. 

1.2.3) Adsorption: 

The adsorption theory states that the adhesion between the adhesive and the adherent when they 

are pressed together is due to the surface forces acting between the chemical structures at the two 

surfaces [5]. The presence of polar molecules on the adhesive and the tissue surfaces cause them 

to interact and reorient at the interface promoting adhesion [10]. In addition, other secondary forces 

such as Van der Waal’s forces, hydrogen bonding, and hydrophobic bonding also contribute to the 

adhesion between the tissue and adhesive interface. 

1.2.4) Diffusion: 

Semi-permanent bonds between the adhesive and tissue surface can form when polymeric chains 

form the adhesive interpenetrate into the tissue surface and reach sufficient depth. The 

interpenetration of the polymer chains is driven by concentration gradients where the polymer 

chains penetrate the tissue and glycoprotein chains from the tissue in turn penetrate into the 

adhesive until an equilibrium depth is reached. The equilibrium depth for a good bioadhesive bond 

to establish varies between the adhesive and tissue surfaces to be bonded but is reported to be in 

the range of 0.2-0.5 µm [10]. The diffusive depth of the adhesive depends on the diffusion 

coefficient of the tissue and the adhesive which in turn depends on the molecular weight of polymer 

chains and the crosslinking density of the adhesive [9, 10].  

1.2.5) Mechanical Interlocking: 

The interaction between adhesive and tissue can result in the adhesive penetrating into the tissue 

micro irregularities and interlocking with the tissue to create binding [11]. The tissues surface 

roughness plays an important role in mechanical interlocking as the adhesive locks on to 

microscopic roughness. An example of such kind of adhesion is the use of polymer based 
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adhesives, which penetrate the tissue and later expand once inside the microscopic crevices thus 

mechanically interlocking with the tissue [12]. Another example is the use of polymeric 

microneedles based on poly(styrene) and poly (acrylic acid), which penetrate the tissue and then 

later swell in the presence of water inside, leading to local tissue deformation and consequent 

interlocking within the tissue surface [13]. 

1.3) Current Surgical Adhesives: 

Over the past several decades tissue adhesives have significantly contributed to the need of clinical 

surgeons to close tissue incisions, stop blood loss and bind tissues to promote wound healing. 

There have been a multitude of advances in improving the properties of tissue adhesives over the 

years to make them clinically more effective, leading to a number of commercially available tissue 

adhesives approved for use in very specific conditions. These tissue adhesives are generally 

classified into mainly three categories: Natural or biological, synthetic or semi-synthetic, and 

biomimetic adhesives. A list of FDA approved tissue adhesives and sealants along with their 

applications, advantages and limitations is summarized below in Table 1.2.  

Table 1.2: Summary of FDA approved tissue adhesives and sealants in the US. 

Tissue 

Adhesive 

Type 

Product 

name 

Manufacturer Application Advantages Limitations 

 

 

 

 

 

 

 

Histoacryl/His

toacryl Blue 

(n-Butyl-2-

cyanoacrylate) 

B.Braun Topical skin 

incisions and skin 

lacerations closure. 

Fast curing, 

Strong dry 

adhesion. 

 

Rapid 

degradation in 

moist 

conditions. 

Formaldehyde 

mediated 

cytotoxicity. 

Indermil 

 (n-Butyl-2-

cyanoacrylate) 

Henkel Topical skin 

incisions and skin 

lacerations closure. 

Barrier to microbial 

penetrations. Dermabond Ethicon 
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Cyanoacrylates 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

(2-Octyl-2-

cyanoacrylate) 

 

 

 

 

Omnex  

(n-Octyl-2-

cyanoacrylate/

butyl lactoyl-

2-cyano 

acrylate) 

 

 

Ethicon 

Blocking blood loss, 

bodily fluids, air 

leaks. 

Glubran/Glubr

an2  

(n-Butyl-2- 

cyanoacrylate/

methacryloxys

ulpholane) 

GEM Italy surgical glue, for 

internal and external 

use, with 

hemostatic, 

adhesive, and 

bacteriostatic 

properties. 

Tissue 

Adhesive 

Type 

Product 

name 

Manufacturer Applications Advantages Limitations 

 

 

 

 

 

 

 

Tisseal 

(Human 

pooled 

plasma 

fibrinogen and 

thrombin) 

Baxter Inc. As an adjunct to 

hemostasis in 

surgeries involving 

cardiopulmonary 

bypass and 

treatment of splenic 

injuries when 

control of bleeding 

by conventional 

surgical techniques, 

including suture, 

ligature, and cautery 

Fast curing 

Biocompatibility 

Biodegradability 

Risk of 

transferring 

bloodborne 

disease. 

Risk of allergic 

reaction.  

Risk of 

infection 

transmission. 
Evicel 

(Human 

pooled 

Ethicon Inc. 

(Johnson 

& Johnson Co) 
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Fibrin glue 

plasma 

fibrinogen and 

thrombin) 

is ineffective or 

impractical. 

As an adjunct for 

the closure of 

colostomies. 

Vitagel is used 

during surgical 

procedures (except 

neurosurgery and 

eye surgery) as an 

adjunct to clotting 

when control of 

bleeding using 

suture or other 

conventional 

procedures are not 

effective or seems 

impractical. 

The autologous 

Cryoseal system 

fibrin sealant is 

indicated for use as 

an adjunct to 

hemostasis on the 

incised liver surface 

in patients 

undergoing liver 

resection. 

Long 

preparation 

time. 

Ancillary 

equipment 

required. 

Poor tissue 

adhesion. 

Relatively 

expensive. 

Vitagel 

(Autologous 

plasma 

fibrinogen and 

thrombin) 

Orthovita Inc. 

Cryoseal 

system 

(Autologous 

plasma 

fibrinogen and 

thrombin) 

ThermoGenesis 

Corp. 

 

 

 

 

 

 

 

 

 

 

 

 

Coseal 

(2 four-armed 

PEGs: one 

capped with 

glutaryl-

succinimidyl 

ester and the 

other with 

thiols, and 

dilute solution 

of hydrogen 

chloride and 

sodium 

phosphate-

sodium 

carbonate) 

Baxter Inc. Sealing suture lines 

and vascular graft. 

 

 

 

 

 

 

 

 

Rapid gel 

formation. 

Fast hemostasis. 

Biocompatibility. 

 

 

 

 

 

 

 

 

Risk of 

swelling. 

Possible allergic 

reaction. 
Duraseal 

(PEG ester 

powder and 

Covidien Inc. Sealing of 

cerebrospinal fluid 

(CSF). 
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Poly (ethylene 

glycol) (PEG) 

based sealants 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

trilysine amine 

solution with 

FD&C blue 

No.1 dye) 

Adhesion to 

tissue. 

Relatively 

expensive. 

SprayGel  Covidien Adhesion barrier in 

gynecological and 

colorectal 

procedures. 

TissuGlu®  Prevention of 

seroma formation 

under skin flaps. 

OcuSeal  Hyperbranch 

Medical 

Technology) 

Dressing for corneal 

lacerations and 

bandage for corneal 

transplants. 

Adherus  Surgical sealant for 

dural repair, hernia 

mesh fixation, 

spinal and 

cardiovascular 

applications. 

Tissue 

Adhesive 

Type 

Product 

name 

Manufacturer Application Advantages Limitations 

 

 

 

Albumin and 

Glutaraldehyde 

BioGlue 

(Bovine serum 

albumin 

and 

10%glutaralde

hyde) 

Cryolife Inc. As adjunct to 

standard methods of 

achieving 

hemostasis (such as 

suture and staple) in 

open surgical repair 

of large vessels 

(such as aorta, 

femoral and carotid 

arteries). 

 

Fast 

polymerization 

begins in 20-30 

sec and reaches 

full strength in 2 

min. 

Good adhesion to 

tissue. 

 

 

Safety concerns 

over risk of 

glutaraldehyde 

toxicity. 

 

ProGel®  NeoMend Sealing air leaks on 

lung tissue after 

surgery. 
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1.4) Natural or Biological Adhesives: 

Some naturally occurring materials can have intrinsic properties that make them interact with 

tissues and stick to them. For example, proteins rich in amine groups, polysaccharides rich in 

carboxyl, and hydroxyl groups can interact with tissue amine groups and adhere to them. Tissue 

adhesives based on natural materials are crosslinked via biochemical reactions and thus are more 

biocompatible compared to synthetic adhesives. Some of the biological tissue adhesives such as 

fibrin-based adhesives are reviewed in this section. 

1.4.1) Fibrin based adhesives: 

 Fibrin has been applied in surgery as early as 1909 when its hemostatic properties were realized 

[6]. Subsequently as purified thrombin became available for use in 1938, fibrinogen and thrombin 

combinations were applied to enhance adhesion of skin grafts to burned soldiers during world war 

II [1]. The first fibrin-based glue was reportedly developed in the 1940’s as an adhesive to nerves. 

However early formulations did not clot readily due to low concentrations of fibrin in the 

formulations. The success in cryopreservation of fibrinogen in the 1960’s paved the way for the 

development of high concentration fibrin-based adhesives in the 1970’s. These initial formulations 

of fibrin were derived from pooled blood, which significantly increased the risk of viral 

transmission of HIV, hepatitis B and hepatitis C. Viral elimination protocols were established after 

which Tisseal (Baxter Healthcare) became the first fibrin based sealant approved by FDA for 

clinical use in the US [1]. 

Fibrin is a protein found in the blood, and fibrin adhesives are based on the principle of mimicking 

the mechanism in which blood clots are formed during the final stages of the physiological 

coagulation cascade. The mechanism in which fibrin is crosslinked is depicted in Figure 1 [1]. 
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The physiological coagulation cascade is mainly orchestrated by two key plasma proteins: 

thrombin and fibrinogen. Fibrinogen is first activated by thrombin cleaving the fibrinopeptides A 

and B to form fibrin monomer, which subsequently polymerizes via electrostatic interactions and 

hydrogen bonding to form a soft clot of fibrin polymer. At the same time, thrombin with the help 

of calcium ions also actives clotting factor XIII to XIIIa, which crosslinks the fibrin polymer via 

amide links between glutamine and lysine residues in proteins to form a stable clot. Furthermore 

fibrin also crosslinks with adhesive glycoproteins of the ECM such as collagen, fibronectin, and 

von Willebrand factor as well as cellular glycoproteins, which enables it to anchor the clot at the 

injury site [1]. 

Figure 1.1: Crosslinking Mechanism of fibrin-based tissue 

adhesives. Thrombin mediated cleavage of fibrinopeptides A and B 

from fibrinogen results in fibrin monomers. The monomers then 

polymerize to form fibrin polymer, an unstable soft clot. Thrombin-

catalyzed fibrin polymerization is followed by factor XIIIa-catalyzed 

fibrin crosslinking, resulting in formation of a stable fibrin clot [1]. 
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Formulations of fibrin adhesives used clinically are usually a two-component system consisting of 

a solution of thrombin and calcium combined with a solution of fibrinogen and factor XIII to form 

a reaction, which is similar to the final stages of blood clotting cascade. In some cases, an anti-

fibrinolytic agent aprotinin is used to prevent premature lysis of the fibrin clot [1]. The composition 

of a fibrin adhesive strictly dictates its adhesion profile and its degradation rate. The fibrinogen 

concentration directly relates to the tensile strength of the glue, while the thrombin concentration 

affects the curing time to achieve maximum adhesive strength [1, 14]. The optimum concentration 

of thrombin and fibrinogen is necessary for a fibrin glue to have the required adhesion and 

mechanical properties; however, the adhesion strength is also function of the substrate topography, 

methods of fibrinogen preparation and the presence of water, fat or collagen [2, 14, 15]. The clots 

produced by fibrin based adhesives are completely biodegradable and breakdown by thrombolysis 

within a few days to several weeks [1]. 

Due to the biodegradable nature and the biochemical processes by which fibrin-based adhesives 

can glue tissues together, they have been clinically applied in various organ systems as wound 

closure agents and adhesives for wound healing. In addition, they have been approved for 

hemostasis in surgeries involving cardiopulmonary bypass and liver resection, as well as sealing 

of colonic anastomoses during colostomy closure. For instance, one commercial fibrin sealant 

(Eviseal, J&J Ethicon) has gained approval for use in general hemostasis during surgery [1]. 

Fibrin based adhesives have also been used as drug delivery scaffolds and in tissue regeneration 

applications such as delivery of antibiotics like ciprofloxacin and ampicillin and 

chemotherapeutics like doxorubicin [16-18].  

Despite the versatile use of fibrin adhesives, they have some important limitations to consider 

starting with the source of fibrinogen. Fibrinogen obtained from pooled human blood plasma 
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still has a risk of viral transmissions despite the antiviral protocols in place. The transmission of 

symptomatic parvovirus B19 has been previously reported by the use of fibrin sealant in surgery 

[19, 20]. Fibrin adhesives containing bovine proteins can also illicit immune responses in 

humans [21-23]. In addition, fibrin adhesives have a poor adhesion to tissue compared to 

synthetic cyanoacrylate adhesives and they are also not practical in emergency applications as a 

typical fibrin adhesive takes about 20 minutes to apply successfully [24, 25].  

1.4.2) Collagen based adhesives: 

Over the past decade, collagen-based adhesives have become popular in clinical use. The collagen 

based adhesives usually have collagen combined with either thrombin or fibrinogen, where 

collagen acts to absorb blood and coagulation products by trapping them it its matrix interstices 

thus allowing itself to bind to the wound where it can then deliver fibrinogen, in addition to causing 

the aggregation and adhesion of platelets and activation of coagulation factors [3, 6, 26-29]. There 

are two collagen based adhesives approved for clinical use, namely: Floseal (Sulzer Spine Tech, 

Anaheim, CA) for vascular surgery hemostasis and Proceed (Fusion Medical technologies, 

Mountain View, CA) for preventing cerebrospinal fluid leaks, both adhesives are composed of 

bovine thrombin and collagen [3, 6, 30, 31]. Another adhesive in development CoStasis (Cohesion 

Technologies, Inc) made from human plasma, bovine collagen, and thrombin has shown 

significant results in the control of surgical bleeding [26]. Many of the collagen-based adhesives 

have superior adhesion strengths to tissues compared to fibrin adhesives but lower compared to 

cyanoacrylate- based synthetic adhesives. In addition, collagen based hemostats can swell and 

cause tissue compression [32]. 
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1.4.3) Gelatin based adhesives: 

Gelatin is an irreversibly hydrolyzed form of collagen and one of the first biomaterials to be 

considered for use as adhesives in internal surgery due to its biocompatibility, bioresorability and 

ability to form strong transparent films and gels [3]. The amino groups in gelatin have been 

modified to cholesteryl residues to improve its adhesive properties and tissue penetration. Gelatin 

is often applied with a crosslinker to increase its adhesion strength and to control its degradation 

rate where the crosslinking can be chemical, enzymatic or photochemical. These adhesives are 

capable of binding to tissues and form covalent linkages with functional groups on the tissue 

surface. Gelatin-Ressorcinol-Formaldehyde/Glutaraldehyde (GRFG) glue is an example of 

chemically crosslinked gelatin-based adhesives where gelatin chains are crosslinked by aldehyde 

through polycondensation reactions and resorcinol molecules react with formaldehyde to form a 

three-dimensional network. The GRFG glue with a gelatin resorcin: formaldehyde/ glutaraldehyde 

ratio of 2:1 has shown a maximum adhesion strength of 48 ± 18 kPa under wet conditions [2, 3]. 

1.5) Polysaccharide based adhesives: 

Polysaccharides and proteins are known to be natural mediators of adhesion; some microorganisms 

use acidic or neutral exopolysaccharides like dextran and heparan sulphate to adhere to different 

substrates [2]. This is possible due to the abundant presence of carboxyl, amine, and hydroxyl 

functional groups, which can bond to the tissue amine groups via covalent interactions through N-

hydroxysuccinimide activation, Schiff base formation, Michael addition reaction, π−π interactions, 

biaryl formation, or imine formation [2]. Dextran, Chitosan, Chondroitin sulphate are the most 

widely studied polymers for adhesive applications. The functional groups of these polymers often 

need to be derivatized to increase the adhesion property of the resulting hydrogels. These adhesives 

are summarized below. 
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1.5.1) Dextran based adhesives: 

Dextran is a highly water-soluble polymer found as an exocellular bacterial polysaccharide, which 

has linear α-1,6-linked glucopyranose units with some degree of 1,3-branching. This polymer is 

nontoxic, biocompatible, and is capable of degradation inside the human body due to the action of 

various dextranases present in various organs like spleen, kidney, liver, and colon [33]. Dextran 

also contains an abundance of hydroxyl groups that can be used for chemical derivatization. In 

order to increase the adhesive properties of dextran-based gels, aldehyde groups are often 

generated into the polymer chain via periodate oxidation and the aldehyde groups react with the 

amine groups on tissue surfaces to promote bioadhesion. Aldehyde containing dextrans are often 

combined with amine containing polyethylene glycols (PEG) or gelatin to form intermolecular 

crosslinks to provide cohesion to the resulting adhesive. One example of a product obtained via 

such approach is ActaMax, which adheres to tissues and degrades hydrolytically. Various studies 

have shown dextran-PEG adhesives to be biocompatible and to have an adhesive strength greater 

than fibrin glues and similar to cyanoacrylate glues [2, 33]. 

1.5.2) Chitosan based adhesives:    

Chitosan is a linear polysaccharide composed of randomly distributed β-(1-4)-linked D-

glucosamine residues with a variable number of randomly located N-acetyl-D-glucosamine units. 

This polymer is biocompatible and has unique antioxidant and bacteriostatic properties [34]. It can 

also react with anionic biopolymers like nucleic acids, glucose amino glycans, heparin and 

proteoglycans which can be utilized to make soft tissue adhesives. Even though chitosan can 

interact with tissue functional groups, chitosan adhesives have poor cohesion which results in 

inadequate adhesion [33]. To counter this, the amino and hydroxyl functional groups of chitosan 

can be chemically modified to provide crosslinking to the polymer. For example, chitosan 

polymers containing photoreactive inert groups like phenyl azide have been prepared which on 
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exposure to UV or visible light can crosslink into a gel, and a similar photocrosslinkable hydrogel 

based on chitosan, 4-azidobenzoic acid (Az)-chitosan has been applied for peripheral nerve 

anastomosis [35]. Another example of a commercially available chitosan-based adhesive is 

SurgiLux which is crosslinked using a near infrared laser activation (808 nm). The laser activation 

strengthens the adhesion of the polymer to tissue collagen through polymer chain interactions 

caused due to the transient thermal expansion [36, 37].   

 1.6) Synthetic/Semi synthetic adhesives: 

Due to certain performance limitations of biopolymers such as uncontrollable degradation, in 

adequate tissue adhesion, expensive and difficult purification of the polymers from natural sources, 

synthetic polymers have been utilized to formulate synthetic tissue adhesives. Synthetic tissue 

adhesives are composed of synthetic chemicals in the form of monomers, prepolymers, or non-

crosslinked polymers, which undergo in situ polymerization or crosslinking to form an insoluble 

adhesive matrix when applied on a tissue. Synthetic polymeric materials provide the possibility to 

control the three-dimensional structure and chemical composition of the adhesive to expose 

functional groups that can interact with biological tissues and promote bioadhesion [33, 38]. 

Synthetic polymers also provide a control over the final molecular weight, which can be used to 

tailor the degradation and elimination rates of the adhesive from the body. Some of the synthetic 

tissue adhesives are reviewed below.  

1.6.1) Cyanoacrylate based adhesives: 

Cyanoacrylate based adhesives are a group of adhesives made form alkyl α-cyanoacrylates for 

tissue adhesive applications since the 1950s [2]. These adhesives can polymerize very quickly 

under weak basic conditions such as water or blood and are hence capable of bonding tightly to 

the tissue without any external initiation, which gives them a very high bonding strength. The 

tissue amine groups are thought to play a role in initiating the polymerization of cyanoacrylates 



18 

and forming covalent bonds with the polymer, resulting in the high adhesive strength with the 

adhered tissues [2, 4]. Cyanoacrylate adheres to the tissue via two independent mechanisms: (i) 

molecular interactions via covalent bonding to proteins exposed on tissue surfaces and (ii) 

penetration of cyanoacrylate monomers into cracks and channels in the tissue surface (mechanical 

interlocking) [33]. The alkyl side chain R (Figure 1.2) has a significant effect on the strength and 

physiochemical properties of cyanoacrylate adhesives, shorter chain derivatives (-CH3, C2H5) of  

R form tighter and stronger bonds, resulting in brittle gels, whereas longer chain derivatives 

decrease the polymerization rate and give rise to more flexible gels [33]. The adhesive properties 

of cyanoacrylates are reported to be superior to fibrin glue and other natural adhesives in terms of 

tissue adhesion, rapid curing and low cost. However, the rapid polymerization of cyanoacrylates 

is associated with significant heat production, which can be damaging to the tissues. The 

degradation of cyanoacrylate based adhesives can also lead to the formation of formaldehyde, 

which can cause toxicity [4]. Also, depending on the alkyl group R, cyanoacrylate adhesives can 

illicit severe immune responses such as in the case of α-cyanoacrylates. Modifications of the alkyl 

Figure 1.2: Mechanism of Cyanoacrylate polymerization. 
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groups such as those in N-Butyl-2-cyanoacrylate-based commercial glues: Histoacryl (Germany), 

and Glubran (Italy) can lower the inflammatory responses making these adhesives applicable 

commercially for endoscopic surgeries. In addition, 2-Octyl cyanoacrylate-based glue 

(Dermabond (USA)) is FDA approved adhesive, but for medical use in topical applications only 

[2]. Despite the attractive properties and substantial strong adhesion of cyanoacrylate-based 

adhesives, their use is limited to topical applications owing to the toxic nature of the degradation 

products. Thus, cyanoacrylate adhesives have limited applications until the problem of their 

toxicity is resolved.  

1.7) Current approaches to create tissue adhesives: 

1.7.1) Mussel Inspired Adhesives: 

Nature uses adhesion in a host of ways and a variety of biological species such as mussels, 

barnacles, and some lizards like geckos secrete substances with potential adhesiveness. These 

substances are usually proteins that help them stick to surfaces underwater [39]. As far as 

adhesiveness is concerned, mussels are the most fascinating species, which by the virtue of their 

adhesive secretions can stick onto rocks and ships underwater and especially well under turbulent 

intertidal conditions. The tissue adhesion of mussels is due to secretion of a mixture of proteins 

called mussel adhesive proteins (MAPs). Several researchers have studied the composition of these 

MAPs and have characterized the presence of at least six different mussel foot proteins (Mfp-1-

Figure 1.3: Different mussel adhesive proteins found in plaques of mussels and 

their Dopa compositions 
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Mfp-6) [40, 41]. These MAPs have an abundance of a particular catecholic amino acid 3,4 

dihydroxyphenylalanine (DOPA), which has been implicated to be a key factor behind mussel’s 

strong underwater adhesion [42, 43]. The amount of DOPA in each of the MAPs is summarized 

in the Figure 1.3 [39]. 

 It is postulated that each type of Mfp has its own function and contributes differently to the 

interfacial adhesion of mussels; however, Mfp-3, 5, and 6 are predominantly found at the mussel 

plaque-substrate interface and are known to contribute to the strong wet adhesion [44]. The exact 

mechanisms of mussel’s wet adhesion are not fully understood but Dopa plays a central role in the 

interfacial binding and curing of the adhesive plaque proteins. Dopa molecules are capable of 

versatile chemistries enabling them to bind to organic and inorganic surfaces alike through the 

formation of reversible non covalent and irreversible covalent interactions [44].  

Dopa can form strong H-bonds via its dihydroxy functionality, promoting its absorption on tissue 

surfaces like mucosal tissues. Catechol containing polymers have improved cohesive properties 

due to the benzene ring of catechol, which can interact with other aromatic rings via π-π 

interactions. In addition, the benzene ring can interact with positively charged ions through cation-

π interactions, one of the strongest non-covalent interactions in water which enables them to bind 

to positively charged surfaces and to substrates rich in cationic functional groups [45, 46] . 

Catechol can also form strong reversible complexes with metal ions (Cu2+, Zn2+, Mn2+, Fe3+, V3+, 

Ti3+, and Ti4+) and strong interfacial bonds with metal oxide surfaces. Furthermore, the oxidized 

form of catechol is highly reactive and can participate in intermolecular covalent cross-linking that 

cause curing of Dopa containing adhesives. Catechol is usually oxidized into semi-quinone or 

quinone by one or two electron oxidation (Figure 1.4) via enzymatic, chemical (periodate) or the 

presence of molecular oxygen and quinone is capable of reacting with serval nucleophilic 
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functional groups found in tissues (–NH2, –SH, imidazole) to form interfacial covalent bonds, 

which can promote tissue adhesion [44]. Although Dopa is the main molecule of Mfps that 

contributes to their strong adhesion, there are other mechanisms between Dopa and Mfps which 

contribute to their adhesion and these are reviewed in the next section. 

1.7.1.1) Oxidation state of Dopa: 

The oxidation state of catechols strictly controls their adhesive properties [47-49]. Catechols exist 

in their highly adhesive reduced forms at acidic pH, when the pH approaches or exceeds the first 

dissociation constant of the -OH group (pKa 9.3) on catechols, its side chain is known to autoxidize 

to quinone form which has a reduced adhesive strength [47, 50, 51]. To counteract this, mfp-3 and 

mfp-6 proteins are present at the plaque surface interface to provide an antioxidant effect, whereas 

mfp-3 also creates a hydrophobic environment, shielding the dopa from oxidation and 

subsequently enhancing adhesion.   
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1.7.1.2) Coacervate formation: 

The fluid-fluid phase separation of ionic polymers from aqueous solutions driven by columbic 

forces and charge neutralization between chains of opposite charges is called coacervation. This 

process contributes to underwater adhesion by increasing the polymer concentration in the 

coacervates, improving surface wettability via decrease in interfacial energy and enhancing 

adhesive delivery by reducing viscosity of the phases. 

1.7.1.3) Surface drying: 

In underwater adhesion, interfacial molecular contact between the substrate and the adhesive is 

necessary. This contact can be hindered due to the presence of a layer of adsorbed water, which 

gives rise to strong repulsive hydration forces that compromise adhesion. Several researchers have 

demonstrated that Mfp-3s has hydrophobic tryptophan side chains which help in removal of the 

surface hydration layer. Dopa containing coacervates thus have the ability to displace interfacial 

water molecules and make molecular hydrogen bonds with the substrates which increases the 

adhesion strength [52, 53] . 

Figure 1.4: Various mechanisms catechols use to interact with different 

substrates. 
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1.7.1.4) Catechol modification: 

Catechol modifications can significantly change their adhesive properties, for example, catechol 

side chain modified with an electron withdrawing nitro-groups at the para position significantly 

increases the reactivity and interfacial binding strength of catechols (Figure. 1.5 (B)) [54]. 

The nitro functionalization also leads to increased resistance to elevated temperature and oxidation 

when compared to an unsubstituted catechol [55-57]. Also, nitro-catechol exhibits increased rates 

of covalent crosslinking and binds to biological substrates over a wider range of pH, when 

compared to unmodified catechol [58]. In addition, nitro- and chloro-functionalized catechols can 

exhibit unique properties such as light-induced degradation and antimicrobial characteristics [59]. 

 1.8) Strategies to synthesize catechol functionalized synthetic polymers 

Due to the promising adhesion of mussel adhesive proteins and the central role of Dopa molecules 

in it, several researches have looked at making synthetic polymer mimics containing Dopa 

moieties by functionalizing synthetic polymers with Dopa and various catecholic derivatives, 

resulting in functional adhesive polymers which have strong adhesive properties along with the 

ability to cure rapidly. Dopa or catechol functionalized polymers have been prepared by the 

following three general strategies. 

Figure 1.5:  Functional group Modifications of catechol side chains and their associated 

configurations. 
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1.8.1) Direct functionalization of polymers with Dopa: 

Catechol such as Dopa and dopamine can be directly coupled to polymers with functional groups 

such as -NH2, -COOH, and -OH, through the formation of amide, urethane, and ester linkages [60-

62] (Figure 1.6). This strategy has been used to successfully functionalize polymers, such as poly 

(ethylene glycol) (PEG), with different polymer architectures (linear, branched) by conjugating 

catechol as a terminal functional group. Different architectures of PEG have also been combined 

with polymers such as polycaprolactone (PCL) and polypropylene oxide (PPO) polymers to form 

block copolymers, which can be further grafted with catechol onto the polymer chains [62-64]. 

Other polymers such as poly (methyl methacrylate) and poly(methacrylate) as well as polyurethane 

have also been utilized to combine with PEG polymers and catechol grafts. In addition, acid- or 

amine-functionalized catechol can be covalently attached to biopolymers such as dextran, chitosan, 

hyaluronic acid, gelatin, and alginate to form bioadhesives [65-68].  

Figure 1.6: Strategies of creating dopa containing polymers of different 

configurations by direct functionalization of dopa into the polymers. 
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1.8.2) Polymerization of catechol-modified monomers: 

Dopamine methacrylamide (DMA) is a catechol containing monomer which can undergo free 

radical polymerization when activated by heat or light to form acrylate-based polymers (Figure 

1.7) [44]. DMA has been combined with other monomers such as oligomeric ethylene glycol, 

monoacryloxyethyl phosphate, and methoxyethyl acrylate to form dopamine grafted polymers 

with varying catechol contents [69-71]. Similarly, catechol containing vinyl groups like 3,4-

dihyroxystyrene, 4-vinylcatechol acetonide, and 3-vinylcatechol acetonide can also be 

polymerized with monomeric styrene to produce polystyrene based catecholic polymers [72, 73]. 

A three dimensional polymer network has also been shown to be formed via copolymerization 

with a bi-functional crosslinker like  N,N′-methylenebisacrylamide to form a network with 

catechol covalently tethered to its backbone [74].  

Figure 1.7: Polymerization of Catechol modified monomers. Catechol modified with 

polymerizable methacrylate (a), vinyl (b), and N-carboxyanhydride (c). 
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1.8.3) Catechol-functionalized initiator to polymerize synthetic monomers: 

Polymers with adhesive groups functional at the end can be synthesized using catechol modified 

initiators (Figure 1.8). Several groups have used this approach to create polymers such as 

polystyrene, poly(N-isopropylacrylamide), and poly (tert-butyl acrylate) whose ends have been 

modified with a catechol moiety using dopamine functionalized with a reversible addition-

fragmentation chain transfer (RAFT) agent [75, 76]. Further, alkyl bromine functionalized 

catechols have been used as initiators in atom transfer radical polymerizations (ATRP) to 

synthesize poly(mathacrylate) and poly(acrylate)-based polymers [77, 78]. 

Using the three synthesis strategies described above (Figure 1.6-1.8) many research groups have 

attempted to formulate mussel inspired tissue adhesives with varying dopa contents and adhesive 

strengths. A compilation of these mussel inspired formulations and their maximum reported 

adhesion strengths are summarized below in Table 3. 

Figure 1.8: Catechol functionalized initiators to prepare 

catechol end terminated polymers. A) RAFT initiator, B) 

ATRP initiator. C) ROMP initiator 
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Table 1.3: Polymeric Mussel-Inspired Adhesives along with their Crosslinking Conditions 

and Maximum Reported Adhesion Strengths. 

Adhesive Adhesion 

Test 

Test 

Substrate 

Crosslinker Cure time/ 

Condition 

Reported 

Adhesion 

Strength 

Reference 

polytripeptide 

(Gly-Tyr-Lys) 

shear 

adhesive 

test 

porcine 

skin 

tyrosinase 37 °C, 

30 min 

11.56 kPa 
 

[79] 

MAP (130 kDa) surface 

tensiomete

r 

porcine 

duodenal 

mucosa 

 tyrosinase films dried 

under N2 

 

90 Pa 

 

 

[80] 

MAP end-to-end porcine 

skin 

 tyrosinase humid, 48 h 0.95 ± 0.1

9 MPa 

 

[81] 

PEG-DOPA lap shear porcine 

skin 

periodate 37 °C, 24 h 35.1 ± 12.

5 kPa  

 

[82] 

HA/Pluronic 

hydrogel 

tensile 

bonding 

strength 

mouse 

skin 

 periodate RT, 5 min 7.18 ± 0.9

3 kPa 

 

[83] 

catechol-Ala-

Ala-PEG 

(cAAPEG) 

lap shear decellulari

zed 

porcine 

dermis 

 periodate RT, 2 h 30.4 ± 3.3

9 kPa 

 

[84] 

poly ((Lys.HBr) 

x-(DOPA)y) 

lap-shear porcine 

skin 

ferric citrate dry, 25 °C, 

12 h 

0.21 ± 0.1

0 MPa 

 

[85] 

deacetylated 

chitosan; 

oxidized and 

DOPA-

end-to-end bovine 

cortical 

bone 

 ferric 

citrate 

wet, 37 °C, 

3 h 

0.31 MPa 
 

[86] 
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functionalized 

dextran 

PEG-dopamine-

PCL 

lap shear bovine 

pericardiu

m 

NaIO4 (1) RT, 2 

h, (2) PBS, 

37 °C, 1 h 

107 ± 24.7 

kPa 

 

[87] 

poly (AA-co-

AANHS-co-

MDOPA) 

lap shear porcine 

skin 

thiol-PEG RT, 10 min ∼11.8 kPa 
 

[88] 

AbAf iCs lap shear porcine 

SIS 

sodium 

(meta) 

periodate 

humid 

chamber, 

2 h 

168.15 ± 1

7.02 kPa 

 

[89] 

iCMBA lap shear porcine, 

acellular 

SIS 

sodium 

(meta) 

periodate 

(PI) 

humid 

chamber, 

2 h 

123.2 ± 13

.2 kPa 

 

[61] 

Click iCs lap shear porcine, 

acellular 

SIS 

CuSO4, 

sodium L-

ascorbate; 

periodate 

humid 

chamber, 

2 h 

223.11 ± 1

5.94 kPa 

 

[90] 

EGAMA-DOPA lap shear glass UV-PVA 25 °C, 24 h 0.32 MPa 
 

[91] 

poly(dopamine-

co-acrylate) 

(PDA) 

lap shear porcine 

skin 

horseradish 

peroxide 

(HRP) 

RT, 1 day 76 ± 13.4 

kPa 

 

[92] 

rfp-1 (MAP) lap shear porcine 

skin 

FeCl3 2 h, in buffer 

soln (pH 

8.2) 

∼130 kPa 
 

[93] 
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LAMBA lap shear porcine 

skin 

irradiation 

with dental 

curing lamp 

for 60 s 

RT, 2 h, 

PBS 

72.2 ± 3.7 

kPa 

 

[94] 

PEU (poly (CA-

Tyr-co-Leu)) 

lap shear porcine 

skin 

Bu4N(IO4) RT, 24 h 
9 kPa  

[95] 

PEU (poly (CA-

Ser- co-Leu-co-

PPG)) 

lap shear 
porcine 

skin 

Bu4N(IO4) 
wet, RT, 4 h 10.6 ± 2.1 

kPa 

 

[96] 

POEC-d 

(octanediol, 

PEO, citric acid, 

dopamine) 

lap shear porcine 

skin 

sodium 

periodate 

humid 

chamber, 

2 h 

33.7 kPa 
 

[97] 

DCTA (gelatin 

macromer, Fe3+, 

genipin) 

lap shear porcine 

skin 

FeCl3 + 

genipin 

37 °C, 2 h 24.7 ± 3.3 

kPa 

 

[98] 

DOPA-

functionalized 

polyester 

lap shear porcine 

skin 

Fe(acac)3 RT, 30 s 13.13 ± 1.

74 kPa 

 

[99] 

4-arm-PEG-DA 

and 4-arm-PEG-

PBA 

lap shear porcine 

skin 

 Fe(acac)3 RT, 30 min 5.2 ± 0.28 

kPa 

 

[100] 

polypeptide-

pluronic-

polypeptide 

lap shear porcine 

skin 

HRP  RT, 24–25 h 106 kPa 
 

[101] 
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Abbreviations:  

MAP, mussel adhesive protein. Tyr: tyrosine; Lys: lysine, Gly: glycine, DOPA: L-3,4-

dihydroxyphenylalanine. PEG: poly (ethylene glycol).H: hyaluronic acid, Ala: alanine, PCL: 

polycaprolactone, AA: acrylic acid; AANHS: acrylic acid N-hydroxysuccinimide ester, 

MDOPA: N-methacryloyl-3,4-dihydroxy-L-phenylalanine. iCMBA: injectable citrate-based 

mussel-inspired bioadhesives.DAM: dopamine acrylamide; NIPAAm: N-isopropylacrylamide. 

LAMBA: light-activated mussel protein-based bioadhesive. PEU: poly (ester urea); CA: catechol. 

Bu4N(IO4): tetrabutylammonium periodate. Ser: serine; PPG: poly (propylene glycol). Fe(acac): 

iron (III) acetylacetonate. PBA: phenyl boronic acid; DA: dopamine. HRP: horseradish peroxide. 

In conclusion, mussels have figured out a way to form tenacious bonds with any substrate 

irrespective of the presence of water, but the synthetic mimics discussed here are far from the 

actual mussel adhesives in terms of adhesive performance in hydrophilic conditions. Furthermore, 

UV irradiation, photoinitiators, and strong oxidizing agents are used in the curing of these 

adhesives, which could be toxic to healthy cells around the application site and are therefore 

currently only suitable for topical applications. This creates an urgent need for tissue adhesives 

with strong adhesion, which can be used inside the body.  
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1.9) Overview of Research Project 

This research project has been designed to develop mussel-inspired degradable nanocomposite 

materials for sticking tissues together. The long-term goal and specific aims of this project are 

described in detail below:  

1.9.1) Goals/objectives  

The long-term goal of this project is to develop a mussel inspired tissue adhering degradable 

nanocomposite hydrogel for tissue interfacing and wound healing applications. 

Tissue adhesion is a challenging engineering problem and a number of research groups and 

published works in recent times have attempted to adopt different strategies like extraction of 

mussel proteins, recombinant hybrids of proteins, or DOPA/catechol functionalization of 

polysaccharides and synthetic polymers to develop mimics of mussel adhesives. These adhesives 

have demonstrated to work very well under dry conditions; however, a significant drop in adhesive 

strength is generally observed under wet tissue conditions where significant humidity and moisture 

are involved. Currently, there is not a strong tissue adhering adhesive biomaterial that is versatile 

enough to be used for tissue engineering applications liken tissue interfacing, prolapse treatment 

and wound healing. An ideal material would possess strong tissue adhesion, degradability, 

biocompatibility, antibacterial activity and ability to deliver growth factors for the proper healing 

of wounds. Thus, the final objective of this research is to develop novel mussel-inspired 

nanocomposite hydrogels that can stick strongly to tissue and possess antibacterial activities for 

tissue adhesion and wound healing applications.  
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1.9.2) Specific aims  

 

As a first step towards achieving our long-term goal of developing effective mussel inspired tissue 

adhering nanocomposite biomaterials, the following three specific aims have been proposed:  

1. To synthesize and characterize a mussel inspired tissue adhering nanocomposite glue. 

2. To investigate the effects of sizes, concentrations, types of nanoparticles as well as 

polymers on the tissue adhesiveness of the mussel-inspired nanocomposite glues. The 

effects of various nanoparticles on the adhesion properties of mussel-inspired polymers 

developed in Aim 1 will be performed. The effects of sizes, concentrations and types of 

nanoparticles on the tissue adhesiveness of the mussel inspired nanocomposites will also be 

determined. 

3. To develop an antimicrobial tissue adhering nanocomposite glue for wound healing 

applications. 

1.9.3) Innovative aspects  

There are several innovative aspects to this research. Firstly, this work has attempted to use 

biodegradable PLGA based nanoparticles to enhance the adhesion of mussel inspired hydrogels and 

study the adhesion profiles of such prepared nanocomposites. Up till now such an approach to use 

nanoparticles to enhance adhesion of mussel-inspired hydrogels hasn’t been reported. The results 

would aid in future research in development of nanocomposite mussel-inspired glues.  

1.9.4) Successful outcome  

The successful completion of this research will assist in the design and development of mussel 

inspired nanocomposite hydrogel systems which have superior tissue adhesion compared to the 

current mussel inspired hydrogels. Popular bioadhesives, such as fibrin, cyanoacrylate and 

albumin–glutaraldehyde-based materials, have been applied for clinical applications in wound 
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healing, drug delivery, and bone and soft tissue engineering; however, their performances are 

limited by weak adhesion strength and rapid degradation. The nanocomposite glues developed in 

this research will be able to provide a strong adhesive, which is easily prepared, can degrade at a 

controlled rate and is biocompatible for in vivo use. Furthermore, the development of antibacterial 

adhesive systems will help immensely in wound healing applications. 
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Chapter 2 
Synthesis and characterization of Tissue Adhering Nanocomposite Glues 

2.1 Introduction 

Tissue adhesives in biomedical research are being developed to replace surgical suturing and 

stapling of tissues that are more invasive in nature, sometimes require secondary surgeries for 

removal, cause infections in some cases, and damage to surrounding tissues during the procedure 

[102]. These adhesives are mainly employed as glues to hold tissues together, as hemostatic agents 

to control or stop bleeding, or as sealants to close tissue openings or defects [102, 103]. Many of 

these adhesives are made from either biologically derived or synthetic materials. Biologically 

derived fibrin glues mimicking the last stage of the physiological coagulation cascade, and synthetic 

cyanoacrylates are currently the most used tissue adhesives. However, despite having a short curing 

time and being biodegradable, fibrin glue is not a strong tissue adhesive and has the potential to 

cause immunogenic responses in the host. The cyanoacrylate-based adhesives can cause tissue 

toxicity although they demonstrate higher adhesive strength and slow degradation behavior over 

time [104, 105].  

Several approaches have been developed to improve the adhesion strength of bioadhesives. One 

strategy was to utilize conjugating amino acids onto the backbones of carbohydrate or polyester 

based polymers to enhance adhesion properties [106]. Other efforts have focused on biomimetic 

approaches, such as gecko-inspired adhesives [107] or spider silk based adhesives [108] which 

mimic the nanotopography of gecko limbs or spider silk to adhere to substrates. The gecko or spider 

silk inspired adhesives, however, only show good adhesion under static and dry conditions [107, 

108]. The adhesion strategy employed by some marine creatures such as the blue mussel Mytilus 

edulis [93, 106, 109, 110] is a popular biomimetic approach being currently exploited for 

synthesizing tissue adhesives [92, 94, 111] [109, 112-114]. The strong adhesion ability of the 
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mussels is attributed to a catechol containing amino acid called L-3,4-dihydroxyphenylalanine (L-

Dopa) found in the structure of secreted mussel adhesive foot proteins. L-Dopa is responsible for 

various bonding interactions in the form of bidentate hydrogen bonding, π-π interactions and 

complex formation with metal and metal oxides and oxidative cross-linking via oxidation to dopa-

quinone which have been pointed out as key mediators of mussel adhesion.[50] Mussel-inspired 

adhesives incorporating either L-Dopa or dopamine onto polymeric backbones have thus being 

synthesized as tissue adhesives with low to moderate adhesiveness on tissues.[98, 101, 114-121] 

The major limitations of such mussel-inspired adhesives are that the mechanisms underlying L-

Dopa mediated adhesion remain unclear and the chemical nature of the mussels adherence to 

inorganic and organic substrates has not been fully characterized [50]. 

Additionally, it has been shown that silica nanoparticles can be used to glue non-adhering gels, with 

possible applications to glue tissues in vivo.[122] These nanoparticles increased the adhesion of 

tissues in vivo via their ability to adsorb onto polymer chains and form bridges between two 

connecting structures. Nanoparticles may also offer excellent potential to function as mediators of 

adhesion between two surfaces because of their small sizes and high aspect ratios. Thus, we 

hypothesized that if the nanoparticles and mussel- inspired hydrogels were combined, the 

nanocomposite might exhibit synergistic effects and achieve a high adhesive strength towards 

tissues. Furthermore, because the silica is non-degradable, we selected biodegradable polymer 

nanoparticles, such as poly(lactide-co-glycolide) (PLGA). Until now, this attractive material design 

has not been reported. 

Specifically, in this work, we explored a combination of hydrogels made of dopamine functionalized 

alginate and PLGA based nanoparticles to improve tissue-tissue adhesion through catechol reaction 

with tissues and nanoparticle/tissue/hydrogel interaction (Figure 2.1). In addition, N-
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hydroxysuccinimide (NHS) was grafted onto the PLGA nanoparticle surface, which can react with 

the amino groups of proteins in tissues to further enhance the adhesive. The grafted dopamine 

content of the polymer, and morphology and degradation rates of these nanocomposites were  

characterized. The adhesive strength of the material was measured using a porcine skin-muscle  

 

 

 

Figure 2.1: . Illustration to glue two tissues using mussel-inspired nanocomposites 

(MIN). The three interactions between tissues and nanocomposite adhesive might exist 

to enhance the adhesion. They included that 1) oxidized dopamine molecules in the 

hydrogel react with amine groups in tissues, 2) the tiny nanoparticles interact with both 

hydrogel and tissue through physical adsorption, and 3) the NHS groups on the PLGA 

nanoparticles can covalently react with amine groups in the tissue. 
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interface ex vivo model. The in vitro cytocompatibility and in vivo tissue compatibility of the 

materials were evaluated using human dermal fibroblasts and a rat model, respectively. 

2.2). Experimental Section 

2.2.1) Materials: Sodium alginate (molecular weight (MW)=12-40 kDa), sodium metaperiodate (PI), 

dopamine hydrochloride, sodium cyanoborohydride, polyvinyl alcohol (PVA, MW=31 kDa), N-

hydroxysuccinimide (NHS), 1-ethyl-3-(3-dimethylaminopropyl)carbodiimide, (EDC) phosphate 

buffered saline (PBS), silica nanoparticle (LUDOX TM-50), and 4-morpholineethanesulphonic acid 

(MES) were purchased from Sigma-Aldrich, Inc, MO. Poly(lactide-co-glycolide) (PLGA, COOH 

terminated, lactide/glycolide molar ratio =50:50, and MW= 97 kDa) was purchased from Akina 

PolySciTech, Inc. All chemicals were used as received without further purification. 

2.2.2) Synthesis of mussel-inspired polymers: Sodium alginate was oxidized by using periodate 

aqueous solution.[123] Sodium alginate (1% w/v in deionized water, 90 ml) was reacted with 

sodium metaperiodate (PI) (10% w/v in deionized water, 10 ml) for a period of 12 hours in the dark. 

The reaction was then subjected to dialysis (molecular weight cut-off (MWCO) 3.5kDa) against 

deionized water and subsequently lyophilized to obtain oxidized alginate. The oxidized alginate (0.2 

g in deionized water, 14 ml) then reacted with dopamine hydrochloride (0.28 g in deionized water, 

6 ml) in the presence of sodium cyanoborohydride (NaBH3CN, 25 mM) for 24 h in a dark setting 

and under a nitrogen protection. The obtained mussel-inspired polymer was purified via dialysis 

(MWCO 3.5 kDa) against deionized water at 4°C and subsequently lyophilized.  

2.2.3) Fabrication of PLGA nanoparticles and NHS modified PLGA nanoparticles: The PLGA 

nanoparticles were fabricated using emulsion methods. [21] A PLGA solution (2% w/v in 

dichloromethane, 5 ml) was added dropwise to a PVA solution (5% w/v in deionized water, 20 ml). 

This emulsion was sonicated (30 W, 5 minutes) and then stirred overnight at room temperature to 

allow solvent evaporation and particle formation. The resulting particle suspension was centrifuged 
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(15,000 rpm, 30 min, 10 °C) and the pellet suspension in deionized water was lyophilized to obtain 

PLGA nanoparticles. 

To modify the PLGA particles with NHS, PLGA nanoparticle suspension (0.2 % w/v, 5 ml) in MES 

buffer (pH 4.75) was mixed with EDC (120 mg, 0.63 mmole) for 30 minutes at room temperature. 

NHS (180 mg, 1.56 mmole) was then added to the solution and allowed to mix for 2 hours at room 

temperature to graft NHS onto the surface of PLGA nanoparticles. The NHS modified PLGA 

nanoparticles (PLGA-NHS) were purified by centrifugation (15,000 rpm, 30 minutes, 10°C), then 

subsequently washed with deionized water and lyophilized. 

2.2.4) Fabrication of mussel-inspired nanocomposites (MIN): The alginate-dopamine polymer at 

different concentrations was cross-linked using the cross-linker PI at equimolar concentrations with 

respect to the dopamine amount in the polymer. Briefly, alginate-dopamine polymer at concentration 

of 40 % w/v was mixed with 1X PBS (pH 7.2) to prepare a polymer precursor solution. Known 

amounts of the polymer precursor solution (1, 5, 20 and 40%) were then mixed with a nanoparticle 

suspension in 1X PBS solution. The nanoparticle concentration was fixed as 12.5% w/v in the 

composite. The polymer-nanoparticle mixture was then cross-linked using PI for 1 h. Equal moles 

of PI (0.29, 1.48, 5.95, 11.90 %w/v), with respect to the dopamine content in the alginate-dopamine 

polymer, were used for cross-linking and to form MINs.  

2.2.5) Mussel-inspired polymer characterization: The synthesis of oxidized alginate (Alg-Ox) and 

mussel-inspired polymer was confirmed by Fourier transform infrared spectroscopy (FTIR). The 

grafting efficiency of dopamine to Alg-Ox was measured by UV-Visible spectrometry utilizing the 

absorbance at 280 nm of the aromatic ring in dopamine. [19] The absorbance data from a set of 

dopamine hydrochloride standards ranging from 0 to 1 mg/mL was used to determine the dopamine 

concentration in a 1 mg/mL Alg-Dopa solution (n=8). For hydrogel degradation, mussel inspired 
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polymer was mixed in PBS (pH 7.2) at a final concentration of 40%w/v and crosslinked using PI 

(11.90% w/v) for 1 hour. This cross-linked hydrogel was then immersed in a tube containing 1 ml 

PBS (n = 6). At predetermined time points each of the tubes were centrifuged (9,000g, 10 min) to 

collect the hydrogel. This collected hydrogel was lyophilized to achieve the dry hydrogel. The 

weight of this dry hydrogel (Wt) was recorded and compared with the initial dry weight (W0) to 

calculate the % weight remaining using Wt/Wo×100%. 

2.2.6) Nanoparticle characterization: The hydrodynamic size and polydispersity of the PLGA, 

PLGA-NHS, and silica nanoparticles were measured via dynamic light scattering technique (DLS) 

(Brooke Haven, ZETA PALS). Nanoparticle solutions (0.01 % w/v in DI water) were used for this 

DLS analysis. The grafting of NHS onto PLGA nanoparticles was confirmed via FTIR (Thermo 

Electron Corporation, NICOLET 6700). The nanoparticles were also observed under high resolution 

transmission electron microscopy (HR-TEM, Hitachi H-9500).  

2.2.7) Nanoparticle cytocompatibility: The cytocompatibility of silica, PLGA and PLGA-NHS 

nanoparticles was evaluated using human dermal fibroblasts (HDFs, ATCC). HDFs were seeded at 

a density of 10,000 cells/cm2 into wells of a 24 well plate (n = 8) and incubated in Dulbecco’s 

Modified Eagle Medium (DMEM, Sigma Aldrich) supplemented with 10% (v/v) fetal bovine serum 

(FBS, Life Technologies) and 1% (v/v) penicillium-streptomycin (Life Technologies, Inc.) at 37 oC 

and 5% CO2 for 24 h. Nanoparticles at concentrations of 50, 100, 200, 500, 1000 µg/ml were then 

incubated with the cells for 24 h. An MTS assay (CellTiter 96® aqueous one solution cell 

proliferation Assay, Promega, Madison, WI) was performed according to manufacturer’s 

instructions to assess cell viability. The HDFs exposed to culture media only served as a control. 

2.2.8) Mussel-inspired nanocomposite characterization: The cross-sectional morphologies of 

nanocomposites were examined using scanning electron microscopy. A 40 % w/v solution of the 



40 

mussel-inspired polymer in PBS (pH 7.2) was combined with a 12.5% w/v solution of the 

nanoparticles and cross-linked using PI at a final concentration of 11.9%w/v for 1 hour. The cross-

linked samples were immersed in liquid nitrogen and cut at cross-section. The frozen cross-sections 

were freeze-dried and imaged under a scanning electron microscope. For nanocomposite 

degradation, the mussel-inspired nanocomposites (MIN) containing silica, PLGA and PLGA-NHS 

nanoparticles were formulated using methods as described above, and the measurement protocol is 

the same as hydrogel degradation method.  

2.2.9) Tissue adhesion strength measurement: The tissue adhesion of the mussel-inspired 

nanocomposites and the mussel-inspired polymer was tested on porcine skin and muscle samples 

(n=6) using guidelines from the American Society for Testing and Materials (ASTM) standard 

F2255-05. Freshly obtained porcine skin and muscle were cut into sections (30mm × 10mm × 3mm), 

and the mussel-inspired polymer at concentrations ranging from 1 to 40% (w/v) in PBS (pH 7.2) 

with or without the incorporation of nanoparticle suspensions (12.5% w/v) was allowed to cross-

link on an area of 10 mm × 5 mm between the skin-muscle interface for a period of 1 hour at 37°C. 

To ensure the skin-muscle samples were moist and retained water, the skin-muscle interface was 

kept in a humid environment in a standard cell culture incubator, maintaining humidity levels greater 

than 90% during the incubation time. The samples were then subjected to lap shear adhesion tests 

on an MTS insight workstation (cross-head speed of 10 mm min-1; 500 N load cell; room 

temperature), and then the lap shear strength was measured. The same parameters of MTS testing 

were also used to measure the changes in tissue adhesion of the mussel-inspired polymer over a 24-

hour time period by measuring the lap shear strengths of the mussel-inspired hydrogel and the 

nanocomposites at predetermined time points. 
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2.2.10) Nanocomposite cytocompatibility: The HDFs were used to determine cytotoxic effects of 

the Alg-Dopa alone and the mussel-inspired nanocomposite systems (MINs). The HDFs were 

seeded at a density of 10,000 cells/cm2 into the wells of a 24 well plate (n = 8) and incubated in 

DMEM supplemented with 10% (v/v) fetal bovine serum (FBS) and 1% (v/v) penicillium-

streptomycin at 37 °C and 5% CO 2 for 24 hours. These seeded cell culture plates were then used to 

determine the cytotoxicity of the leached products of Alg-Dopa and MINs as well as to study the 

effects of the incubation of these systems on the cells.  

The leached products were formulated using the systems (40% w/v polymer and 12.5% w/v 

nanoparticles) as described above, UV sterilized and incubated them in a known amount of DMEM 

cell culture medium at different dilutions (1X, 5X, 10X, 100X) at 37 °C and 5% CO2 for 24 hours. 

Post incubation, all solutions were neutralized to pH 7.2 and added to the seeded HDFs for a period 

of 24 hours. MTS assays were performed on each group after the 24-hour time-point following 

manufacturer’s instructions. The cell culture medium only and Matrigel were used as controls to 

compare with the viability of HDFs exposed to treated groups. The Matrigel was prepared at a 

concentration of 1% w/v and applied to the Transwell plates at a volume to surface area ratio of 50 

µL/cm2. 

To assess the cytotoxicity of incubated hydrogels and nanocomposites, the formulated systems post 

UV sterilization were also placed in Transwell inserts (Pore size: 0.4 µm, growth area: 0.14 cm2). 

These inserts were then placed into the cell pre-seeded 24-well plates for 24 h. MTS assays were 

performed in each group following manufacturer’s instructions. Viability of HDFs in each group 

was assessed compared to the culture media alone and Matrigel. 
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2.2.11) Ex vivo tissue penetration depth of nanocomposites:  

The different groups of MINs and the Alg-Dopa alone were cross-linked within the skin-muscle 

tissue interfaces for 1 hour. The adhered tissue samples were then embedded in optimal cutting 

temperature solutions (OCT, Tissue-tek) and frozen at -20 °C for 1 hour. The OCT embedded tissue 

samples were then cut into slices (10 µm thick). Image analysis was performed on the sections (n = 

10) of each group of MINs and the Alg-Dopa using Image J (National Institute of Health, Bethesda, 

MD, USA). A baseline indicated by the white horizontal lines (Figure 2.5A) was chosen, and it 

represented the original contact between the muscle-skin and the glue. The glue penetration depth 

was measured based on this baseline. 

2.2.12) In vivo nanocomposite biocompatibility:  

All animal experiments were conducted in accordance with the animal welfare and IACUC approved 

protocols from the University of Texas at Arlington. Sprague-Dawley male rats (Taconic 

Biosciences), one year old and weighing 300-500 g, were used to test the biocompatibility of the 

nanocomposite adhesive. The MIN-PLGA-NHS was tested in vivo with suture as a control. Four 

incisions (1-inch-wide × 0.5-inch-deep) were made on the back of each rat (n = 4). Two of these 

incisions were closed by the application of the nanocomposite adhesive, while the other two were 

closed with silicone treated non-absorbable sutures (4-0 SILK, Davis+Geck). The rats were 

sacrificed at day 7 and 28, and the implants with surrounding tissues were isolated for histological 

analysis. The sections were embedded in OCT, and 10 µm thick cryosections were cut for analysis. 

Hematoxylin and eosin (H&E) staining was performed to evaluate the interaction of the 

nanocomposite with the host tissue at the site of implantation. Immunohistochemistry analysis using 

rabbit anti-integrin αM CD11b, H-61 (Santa Cruz Biotechnology, inc Santa Cruz, CA, USA) 

antibodies against CD11b+ cells were performed on the tissue cryosections at day 7 and 28 to 
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evaluate inflammatory responses in the tissue sealed by the adhesive and the suture control. The 

cellular infiltration into the tissue areas was quantified by calculating the number of cells per unit 

area using ImageJ (National Institute of Health, Bethesda, MD, USA). The tissue areas for cell 

counting were selected randomly around the incision site. 

2.2.13) Statistical Analysis: All data analysis was executed using one-way and two-way ANOVA 

(Statview 5.0 software, SAS institute, Cary, NC, USA) to analyze differences between groups with 

one or more independent variables. p < 0.05 was considered as significant difference. Post hoc 

analysis was done using Tukey’s honest significant difference (HSD). All data was reported as mean 

± standard deviation.  
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2.3. Results and Discussion 

2.3.1 Synthesis and characterization of mussel-inspired polymer  

The mussel-inspired polymer was synthesized in an aqueous environment by conjugating dopamine 

with the oxidized alginate through a reductive amination between amine and aldehyde groups. 

Firstly, the alginate polymer was oxidized using sodium metaperiodate to generate aldehyde groups 

on its backbone.[124] Secondly, the dopamine was grafted onto the alginate backbone via reductive 

amination between the aldehyde groups and the amine groups of dopamine. The FTIR spectrum 

(Figure 2.2 A) of sodium alginate has specific peaks at 1404 cm-1 and 1596 cm-1corresponding to 

symmetric and asymmetric COO stretching vibrations, respectively. Other peaks identified for 

alginate were located at 1023 cm-1 (C-O-C stretching vibration), 946 cm-1 (C–O stretching vibration 

of uronic acids), 890 cm-1 (C1–H deformation mannuronic acid residues), and 820 cm-1 (mannuronic 

acid residues).[125] The chemical structure of periodate oxidized alginate was confirmed by 

aldehyde C=O stretching at 1720 cm-1 in the oxidized alginate spectrum. The alginate-dopamine 

polymer structure was verified by C=C aromatic stretching and C-N amine stretching at 1520 cm-1 

and 1091 cm-1, respectively. [126] The dopamine content in mussel foot proteins (Mfps) varies from 

10-15 % in Mfp-1, 2-4% in Mfp-2, 25% in Mfp-3, 5% in Mfp-4 and 30% in Mfp-5 whereas Mfp-3 

and Mfp-5 are the proteins that contact the surface and help mussels adhere to wet surfaces.[127] 
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Figure 2.2: Physical characterization of Alginate-Dopamine polymer. (A) FTIR spectras of oxidized 

alginate and alginate dopamine polymers. (B) Degradation profile of alginate-dopamine hydrogel 

crosslinked using PI in 1x PBS solutions (pH 7.2) 
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Some research groups reported that the dopamine contents incorporated into alginate ranged from 

10% to 42%.[66, 126, 128-130] The wide range of dopamine grafting is achieved by altering the 

molar ratios of alginate to dopamine. The UV-visible absorption spectroscopy at 280 nm of the 

alginate-dopamine polymer revealed a dopamine content of 26%, which is close to the dopamine 

content in Mfp-3, and also is within the range of dopamine content reported in other dopamine 

conjugated alginate polymers.[66, 126, 128-130] 

2.3.2 Nanoparticle characterization: 

The size and polydispersity of PLGA nanoparticles and N-hydroxysuccinimide (NHS) modified 

PLGA (PLGA-NHS) nanoparticles were characterized using dynamic light scattering and 

transmission electron microscopy. The PLGA nanoparticles (212 ± 45 nm) were fabricated using a 

single-emulsion method. The size of PLGA-NHS was 237 ± 106 nm, which is similar to the size of 

PLGA NPs. The silica nanoparticles (35 nm) were commercially purchased. FTIR was used to 

confirm the grafting of NHS onto PLGA nanoparticles. The PLGA structure was verified by specific 

peaks at 2910 cm-1 and 2940 cm-1 (symmetric and asymmetric C-H stretching), 1730 cm-1 (C=O 

stretching vibration), 1170 cm-1 (C-C-O stretching of ester group) and 1090 cm-1 (O-C-C stretching 

of ester group).[131, 132] For PLGA-NHS nanoparticles, the specific peaks to identify PLGA-NHS 

conjugation were located at 1778 cm-1 (symmetric imide C=O stretching in NHS), 1700 cm-1 

(asymmetric imide C=O stretching in NHS and ester C=O stretching vibration in PLGA) and 1560 

cm-1 (N-O stretching in NHS). 



46 

2.3.3 Mussel-inspired nanocomposite (MIN) formation 

 
Figure 2.3: Mussel-inspired nanocomposite (MIN) morphology. (A) Including SEM images 

of: (i) Alg-Dopa hydrogel alone, (ii) MIN-PLGA, (iii) MIN-PLGA-NHS, and (iv) MIN-Silica. 

Left bottom insets showed macroscopic views of the hydrogel and nanocomposites. Right top 

insets in (ii) and (iii) showed magnified images of the nanocomposites and red arrows pointed to 

the embedded nanoparticles. (B) In vitro degradation curves of mussel-inspired nanocomposites 

in PBS at 37oC up to 28 days. 

The mussel-inspired nanocomposites (MINs) were prepared by blending a range of concentrations 

from 1 to 40% (w/v) of the mussel-inspired polymer in PBS with PLGA (MIN-PLGA), PLGA-NHS 

(MIN-PLGA-NHS) or Silica (MIN-Silica) nanoparticles using sodium metaperiodate (PI) as a cross-

linker. The nanoparticle concentration was fixed at 12.5% (w/v). The hydrogel from the mussel-

inspired polymer (Alg-Dopa) was used as a control. The nanocomposites were dark brown and 

hydrogel-like, which was the same as the Alg-Dopa. Scanning electron microscopy images of the 

nanocomposites revealed embedded nanoparticles in MIN-PLGA and MIN-PLGA-NHS groups 

(Figure 2.3 A). But it is hard to observe the silica nanoparticles due to the small size (30nm). 

Compared to the morphology of the hydrogel alone without nanoparticles, the nanocomposites 

appeared more connected and less porous.  
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2.3.4 In vitro degradation of MIN 

The periodate oxidation of the alginate leads to a change in conformation of uronate groups in 

alginate from closed to open chained.[133] This change in conformation makes the oxidized alginate 

more susceptible to hydrolysis in aqueous solutions thus conferring degradability to it.[124, 133] 

This degradation of the MINs was characterized by incubation in phosphate buffered saline (PBS, 

pH 7.2) at 37 ºC. The nanocomposites demonstrated a loss of dry weight over time indicating their 

degradability. The composites degraded to an extent of 53±1% over a period of 4 weeks (Figure 2.4 

B). The degradation rate of the oxidized alginate hydrogels depends on the oxidation degree and the 

molecular weight of the polymer. Previous studies on the degradation of oxidized alginate hydrogels 

(molecular weight 270 kDa) in DMEM cell culture media showed 20% loss in dry mass over a 

period of 4 weeks.[134] Our results exhibited a faster degradation for the alginate-dopamine 

hydrogel, which may be attributed to the lower molecular weight (12-40 kDa) of alginate used in 

this work.[134] The incorporation of nanoparticles slightly increased the degradation rate of the 

nanocomposite. This could be due to the degradable nature of the PLGA nanoparticles. Furthermore, 

their acidic degradation products, such as lactic acid and glycolic acid, can reduce the surrounding 

pH and may cause the alginate hydrogel to degrade to a greater extent.[135, 136] However, the 

nanocomposites containing silica nanoparticles demonstrated similar degradation kinetics with the 

nanocomposites with PLGA NPs. It might be attributed to the diffusion of some tiny nanoparticles 

into the PBS when the nanocomposites were immersed in PBS during the period of degradation. 

High-speed centrifuge might not be able to collect all nanoparticles in the PBS. The possible 

diffusion, however, might not take place for tissue adhesion in tissues because the diffusion 

coefficient might be different in solid and/or soft tissues than that of the solution environment.  
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2.3.5 Ex vivo adhesion strength of mussel-inspired nanocomposites 

The ability of the nanocomposites in gluing tissue interface was evaluated using a setup illustrated 

in Figure 2.4 A. The lap shear strengths of tissue adhesiveness of the cross-linked polymer at the 

tissue interface showed a concentration-dependent increasing trend. Previous studies have utilized 

the mussel-inspired approach to introduce dopamine or L-Dopa into polymers and form adhesive 

hydrogels, which adhere to tissues with various strengths depending on their dopamine contents.[54, 

98, 121, 137] Our mussel-inspired hydrogel at a concentration of 40 %w/v adhered to the pig skin-

muscle interface with a lap shear strength of 14 ± 2 kPa, which is comparable to adhesives developed 

in other studies using the mussel-inspired approach.[54, 98, 115, 121, 137] Furthermore, the 

adhesive properties of the nanocomposites demonstrated a significant increase in lap shear strengths 

compared to those without nanoparticles (p<0.05). The highest lap shear strength of 33 ± 3 kPa 

(Figure 2.4 B) was obtained in the 40% (w/v) Alginate-Dopa with PLGA-NHS nanoparticles. The 

role of nanoparticles in adhering tissues together was attributed to their ability to adsorb onto 

surfaces and dissipate energy within the interface which yields resistance to fracture propagation 

between the two tissue phases.[122] Recently, silica nanoparticles were investigated as a means to 

adhere liver tissues and gels together where silica nanoparticles could bond two non-adhering 

surfaces with an adhesive lap shear strength of 0.65±0.25 kPa.[122] Although the nanoparticle alone 

as a gluing agent provides an attractive method to glue tissues together, the adhesive strength is 

much lower compared to mussel adhesive hydrogels.[54, 98, 115, 121, 137] The MIN offered 

improved tissue adhesion performances over nanoparticles alone and mussel inspired hydrogel 

alone. The adhesive properties of these composites over a 24-hour period increased over time in all  
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groups. It is noted that the nanoparticle-mediated enhancement of adhesion was significant within 

the first 1 hour of cross-linking and tended to saturate over time. There was no significant difference 

in additional adhesion strength observed among the mussel-inspired hydrogels and the mussel-

inspired nanocomposites at 24 hours. The penetration profile of the nanocomposites was tissue 

specific with more penetration into the muscle layer compared to the skin layer. It was observed that 

the inclusion of nanoparticles led to less penetration of the nanocomposites into the muscle tissue 

compared to that of the hydrogel alone. MIN-PLGA and MIN-PLGA-NHS had lower penetration 

into the muscle tissue compared to the adhesive alone (Figure 2.5). Hydrogel materials designed to 

be used as tissue adhesives require characteristics of both fluidity and cohesive strength to function 
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as an optimal adhesive.[138, 139] The addition of PLGA and PLGA-NHS nanoparticles might 

increase the cohesiveness of alginate-dopamine hydrogels, which led to the hydrogel solution 

diffuse less into the tissues. This increase in cohesiveness may also explain the increase in adhesive  

strengths of PLGA and PLGA-NHS nanocomposites compared to alginate-dopamine hydrogels 

alone. It was reported that the inclusion of 2% laptonite into poly(acrylic acid) polymer networks 

resulted in increased cohesion in the hydrogels which correlated to increased adhesion to organic 

substrates.[140] In addition, for the PLGA-NHS group, the NHS on the nanoparticles can react with 

the amine groups on the tissue surface, which may limit nanoparticle and hydrogel penetration into 

the tissues. 
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2.3.6 In vitro cell compatibility of nanocomposite system  

We tested several dilutions (1X, 5X, 10X, 100X) of the cell media that was incubated with the 

nanocomposites for 24 hours. The nanocomposites with PLGA and PLGA-NHS nanoparticles 

exhibited good cell compatibility to human dermal fibroblasts. Compared to the positive control 

Matrigel, the leached products at 1X dilution from the hydrogel alone and all composites showed 

less cell viability, while the 5X, 10X, 100X dilutions of the hydrogel alone, the MIN-PLGA and 

MIN-PLGA-NHS exhibited similar cell viability (p>0.05) (Figure 2.6A). However, the MIN-Silica 

showed moderate toxicity at all dilutions of the leachable contents (Figure 2.6A). In Figure 2.6B, 

Figure 2.6: Cytocompatibility of mussel-inspired 

nanocomposites (MIN) with human dermal fibroblasts (HDFs).

(A) Leachable products cytotoxicity at leachate dilutions of 1x, 5x, 

10x, 100x. (B) Adhesive cytocompatibility with human dermal 

fibroblasts using a Transwell setup 
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only MIN-Silica exhibited less cell viability than the controls of the Matrigel and cell culture 

medium alone. No significant toxicity with PLGA and PLGA-NHS nanoparticles on human dermal 

fibroblasts was observed, whereas silica nanoparticles demonstrated a dose-dependent toxicity 

towards the cells. We have previously reported the PLGA nanoparticles showed good 

cytocompatibility with human dermal fibroblasts, human aortic endothelial cells and human aortic 

smooth muscle cells up to a concentration of more than 500 µg/ml, which is in agreement with the  

observed result in this study.[141, 142] The silica nanoparticles exhibit size-dependent cell toxicity  

towards various human cell lines including dermal fibroblasts.[143-146] The size of silica 

nanoparticles that induces toxicity usually ranges from 20-60 nm which could explain the toxicity 

of the 30 nm silica nanoparticles used in this study.[145]  

2.3.7 In vivo biocompatibility of nanocomposite system 

To further evaluate the in vivo biocompatibility of the nanocomposites, the MIN-PLGA-NHS was 

selected because of its high adhesive strength and good in vitro cytocompatibility. Incisions on the 

back of rats were successfully sealed by the nanocomposite of MIN-PLGA-NHS with the suture as 

a control (Figure 2.7A). At day 7 and day 28, the explanted tissue sections were evaluated for 

foreign body reactions or immune responses via Hematoxylin and Eosin (H&E) staining and 

immunohistochemistry analysis. The H&E staining revealed the sutured sections had healed 

completely both at day 7 and 28 (Figure 2.7B). The tissue areas filled with the MIN-PLGA-NHS 

showed cell infiltration and material degradation at day 7, and subsequent clearance of the composite 

with no residues of the composite visible at day 28. The immunohistochemical analysis revealed the 

presence of CD11b+ inflammatory cells in the excised tissue sections around the areas sealed with 

the nanocomposite glue and the control suture at day 7 (Figure 2.7C). The area sealed with MIN-

PLGA-NHS had slightly more inflammatory cells compared to the suture control. This could be 
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because alginate-based materials are generally known to have low immunogenic responses.[147] 

Alginate has been shown to activate macrophages in a murine model via activation through the NF-

κB pathway, leading to the production of interleukins including IL-1β, IL-6, IL-12 and TNF-α, and 

the promotion of a pro-inflammatory environment.[148] Some studies have shown that the foreign 

body reaction towards alginate-based materials varied depending on the content of glucuronic acid, 

and the higher content (>60%) induced greater foreign body responses.[149-151] The alginate used 

in this study had less than 50% glucuronate residues, which could achieve the low foreign body 

response. The H&E stained tissue sections of the area sealed by the MIN nanocomposite showed 
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Figure 2.7: In vivo biocompatibility of mussel-inspired nanocomposites with PLGA-NHS 

nanoparticles (MIN-PLGA-NHS)  (A) Micrographs of areas sealed by PLGA-NHS 

nanocomposites and the ones sutured on the back of Sprague-Dawley rats at Day 0 and Day 7 

(B) H&E staining of wound areas that were sutured and adhered with MIN-PLGA-NHS at day 

7 and day 28. (C) Immunohistochemistry staining of macrophages in tissue sections. (D)

Quantification of number of cd11b+ cells per millimeter square area near the tissues adhered 

with MIN-PLGA-NHS and the suture. 
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some evidence of gel fragments at day 7 (Figure 2.7B). These gel fragments in the micrometer size 

can possibly activate phagocytes leading to further inflammatory conditions in the tissue.[152] In 

such cases MΦ macrophages are mainly responsible for sustaining this pro-inflammatory 

environment.[152] However the presence of inflammatory cells markedly subsided over the course 

of 28 days in both the suture and the nanocomposite groups, indicating a normal wound healing 

process. There was no significant difference in the number of CD11b+ cells between the tissue 

sutured and the one sealed with the MIN-PLGA-NHS (Figure 2.7C-D), indicating that the 

nanocomposite did not generate any lasting inflammatory reaction, Furthermore, the inclusion of 

PLGA-NHS nanoparticles into the alginate hydrogel did not alter the immunogenicity of alginate 

hydrogels.  

4. Summary 

In summary we successfully synthesized mussel inspired nanocomposite glues (MINs) by 

incorporating biodegradable nanoparticles into cross-linked alginate-based mussel-inspired 

hydrogels. The tissue adhesive properties of the hydrogels were enhanced by blending nanoparticles. 

The PLGA-NHS nanoparticles performed best to enhance hydrogel adhesion between skin-muscle 

tissues compared to the silica and PLGA nanoparticles. The adhesive properties of the 

nanocomposites increased over time within the tissue interface. The degradable adhesive 

nanocomposites were cytocompatible and exhibited a lower penetration into the pig muscle than 

that of the hydrogel alone. The in vivo implantation of MIN-PLGA-NHS did not generate significant 

inflammatory responses. This biodegradable and biocompatible nanocomposite with high adhesive 

ability may be a suitable candidate for adhering tissue interfaces as a bio-glue in wound closure. 
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Chapter 3 
Enhanced tissue adhesive strength of hyaluronic acid-based nanocomposites and polydopamine 

nanoparticles 

3.1) Introduction 

There have been many different approaches to improve the tissue adhesion of synthetic 

bioadhesives as summarized in chapter 1 relating to the development of mussel inspired polymers. 

The blending of nanoparticles with hydrogels can create composite materials with unique and 

potentially useful properties caused by synergistic enhancement of each component caused by their 

union that are not found in the individual components, giving rise to new materials with diverse 

applications in varying fields of electronics, catalysis, biosensing, drug delivery as well as 

biomedical applications [153]. Properties imparted to the composites depend on the types of 

nanoparticles incorporated and their interactions with the hydrogel materials. In chapter 2, we 

explored this combination of PLGA nanoparticles with mussel inspired alginate-dopamine 

hydrogel and found a synergistic increase in adhesive strengths of hydrogels upon blending of the 

nanoparticles.  

The medical adhesive field over the recent years has been innovating to produce different 

alternatives to current synthetic tissue adhesives to replace their unfavorable cytocompatibility and 

adhesion profiles. For example, the development of poly (glycerol sebacate acrylate) based laser 

crosslinked tissue adhesive for blood vessel surgeries is an approach in improving the 

cytocompatibility profiles of synthetic adhesives like cyanoacrylates and polyurethanes [154]. 

Subsequent research in nature inspired adhesion strategies like mussel inspired polymeric 

hydrogels containing catechol groups like Dopa has gained widespread attention, and has yielded 

improved tissue adhesives with higher adhesion strengths to tissue and favorable cytocompatibility 

compared to the synthetic analogs [44, 92, 97, 112, 155, 156] [61, 157]. Furthermore, biomimetic 

nanostructured polymeric materials inspired by gecko’s foot adhesion are also gaining attention 
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for development of tissue adhesives [102]. However, with respect to these recent approaches, 

research in nanoparticle incorporated surgical glues has been demonstrated as being the most 

promising approach [102]. This interest in nanoparticles as tissue glues has been spurred mainly 

by the findings relating the ability of silica and iron oxide nanoparticles to form strong bonding 

with tissues [158]. 

The blending of such nanoparticles with hydrogels to create nanocomposites could be an attractive 

approach to create superior adhesives. Properties imparted to the composites would depend on the 

type of nanoparticles incorporated and their interaction with the hydrogel material. We have 

previously explored the combination of PLGA nanoparticles with mussel inspired alginate-

dopamine hydrogels and found a synergistic increase in adhesive strengths of hydrogels upon 

blending of the nanoparticles. 

The ability of dopamine to self-polymerize under aqueous conditions to form thin polydopamine 

films has been extensively studied [159, 160]. Polydopamine films have intrinsic adhesive 

properties due to its ability to bond to surfaces via non-covalent interactions such as hydrogen 

bonding, aromatic π- π interactions and metal chelations. This intrinsic adhesive ability of 

polydopamine can be utilized in improving the tissue adhesion of mussel inspired polymers. Thus, 

in this chapter, we explore the combination of polydopamine nanoparticles with mussel inspired 

hydrogels and investigate the effect of these nanoparticles on the tissue adhesion strengths of these 

hydrogels. We specifically investigate the sizes, concentrations, and types of nanoparticles on the 

adhesive strengths of mussel inspired nanocomposites  
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3.2) Experimental Section 

Materials: Ssodium metaperiodate (PI), dopamine hydrochloride, sodium cyanoborohydride, 

polyvinyl alcohol (PVA, MW=31 kDa), N-hydroxysuccinimide (NHS), 1-ethyl-3-(3-

dimethylaminopropyl)carbodiimide, (EDC) phosphate buffered saline (PBS), silica nanoparticle 

(LUDOX TM-50), and 4-morpholineethanesulphonic acid (MES) were purchased from Sigma-

Aldrich, Inc, MO. Poly(lactide-co-glycolide) (PLGA, COOH terminated, lactide/glycolide molar 

ratio =50:50, and MW= 97 kDa) was purchased from Akina PolySciTech, Inc. Sodium hyaluronate 

(HA) (MW: 151-300KDa) was purchased from Life Core Biomedical, MN. All chemicals were 

used as received without further purification 

3.2.1) Synthesis of polydopamine nanoparticles: 

Nanoparticle synthesis was carried out in water-alcohol mixed solvent using a mixed solvent 

oxidation protocol [160]. Briefly a 40 ml water: ethanol mixed solvent was prepared at ethanol: 

water percentages of 10% (v/v) or 50% (v/v). Aqueous ammonium hydroxide was added into this 

mixed solvent system at final percentages 0.25 or 2 %. The pH of the solution was then set either 

to 7 or 9, followed by the addition of dopamine hydrochloride (0.5 mg/ml or 2 mg/ml). The final 

reaction was then allowed to proceed for 30 hrs at a stir rate of 1200 rpm. After the reaction was 

complete, the nanoparticles were centrifuged at 15000 rpm for 30 minutes using a Hitachi 

ultracentrifuge and washed with DI-water. The purified particles were then suspended in DI water 

solutions and freeze dried. Subsequently the dried particles in a 0.1 % w/v in DI water were used 

for sizing via Dynamic Light Scattering (DLS).  

3.2.2) Tissue adhesion strength measurement of polydopamine nanoparticles: The tissue adhesion 

of the polydopamine nanoparticle was tested on porcine skin and muscle samples (n=6) using 

guidelines from the American Society for Testing and Materials (ASTM) standard F2255-05. 

Freshly obtained porcine skin and muscle were cut into sections (30mm × 10mm × 3mm), and 
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various sizes of polydopamine nanoparticles (100-1000 nm) suspensions at concentrations of 12.5 

% (w/v) in PBS (pH 7.2) were allowed to cross-link using sodium meta periodate (PI) at a final 

concentration of 11.9%w/v, on an area of 10 mm × 5 mm between the skin-muscle interface for a 

period of 1 hour at 37°C. To ensure the skin-muscle samples were moist and retained water, the 

skin-muscle interface was kept in a humid environment in a standard cell culture incubator, 

maintaining humidity levels greater than 90% during the incubation time. The samples were then 

subjected to lap shear adhesion tests on an MTS insight workstation (cross-head speed of 10 mm 

min-1; 500 N load cell; room temperature), and then the lap shear strength was measured. The testing 

of 200 nm polydopamine nanoparticles in the concentration ranging from 5 to 50% (w/v) in PBS 

(pH 7.2) were also carried out using the same PI concentration and the conditions as described above.  

3.2.3) Synthesis of mussel inspired hyaluronic acid dopamine polymer:  

A mussel-inspired hyaluronate-based polymer (HA-Dopa) was synthesized by grafting dopamine 

onto a sodium hyaluronate backbone (HA) (MW: 151-300KDa, LifeCore Biomedical, MN) under 

aqueous conditions using EDC-NHS carbodiimide chemistry [68]. Briefly 300 mg of HA was 

dissolved in 30 ml MES (pH 6.2), and the solution was later nitrogen purged for 30 mins, 

subsequently 493 mg EDC and 291 mg NHS were added to the solution, that was nitrogen purged 

for 30 min, and 0.5 g Dopa was dissolved in 2ml MES (pH 6.2) and added to this HA solution. The 

solution was nitrogen purged again for 30 min and covered with a foil and stirred for 12-16 hrs. The 

post reaction solution was dialyzed (MWCO 3500 Da) against DI water for 24 hours. The dialyzed 

solution was lyophilized to obtain the HA-Dopa polymer. 

3.2.4) Mussel-inspired hyaluronic acid dopamine polymer characterization: 

 The synthesis of hyaluronic acid-dopamine (HA-Dopa) polymer was confirmed by Fourier 

transform infrared spectroscopy (FTIR). The grafting efficiency of dopamine to the polymer was 

measured by UV-Visible spectrometry utilizing the absorbance at 280 nm of the aromatic ring in 
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dopamine [19]. The absorbance data from a set of dopamine hydrochloride standards ranging from 

0 to 1 mg/mL was used to determine the dopamine concentration in a 1 mg/mL HA-Dopa solution 

(n=8).  

3.2.5) Tissue adhesion strength measurement of mussel inspired hyaluronic acid dopamine polymer 

and nanocomposites: mussel-inspired HA-Dopa polymer at concentrations ranging from 1 to 40% 

(w/v) in PBS (pH 7.2) with or without the incorporation of PLGA, PLGA-NHS and polydopamine 

nanoparticle suspensions (12.5% w/v) was allowed to cross-link using PI (11.9 %w/v) on an area of 

10 mm × 5 mm between the skin-muscle interface for a period of 1 hour at 37°C. The same 

conditions of incubation and lap shear testing as described in section 3.2.2 were applied. To test the 

effects of varying nanoparticle concentrations on the adhesive strengths of HA-Dopa 

nanocomposites, the PLGA, PLGA-NHS and polydopamine nanoparticle suspensions in PBS (pH 

7.2) were combined with HA-Dopa polymer in PBS (pH 7.2) so that the final concentration of 

polymer was 40% w/v and the final concentrations of nanoparticles ranged from 0-20%w/v. 

To test the effects of various sizes (100-1000 nm) of polydopamine nanoparticles, NP suspensions 

at concentrations of 12.5 % (w/v) in PBS (pH 7.2) were allowed to cross-link using sodium meta 

periodate (PI) at a final concentration of 11.9%w/v, on an area of 10 mm × 5 mm between the skin-

muscle interface for a period of 1 hour at 37°C. The testing of 200 nm polydopamine nanoparticles 

in the concentrations ranging from 10-50% (w/v) in PBS (pH 7.2) were also carried out using the 

same PI concentration and the conditions as described above. The same parameters of MTS testing 

were also used to measure the changes in tissue adhesion of the HA-Dopa polymer over a 24-hour 

time period by measuring the lap shear strengths of the mussel-inspired hydrogel and the HA-Dopa-

polydopamine nanocomposites at predetermined time points. 
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3.2.6) HA-Dopa Nanocomposite cytocompatibility: The HDFs were used to determine cytotoxic 

effects of the HA-Dopa alone and the mussel-inspired nanocomposite gels (formulated using 40% 

w/v polymer concentration and 12.5% w/v nanoparticle concentration). The HDFs were seeded at a 

density of 10,000 cells/cm2 into the wells of a 24 well plate (n = 8) and incubated in DMEM 

supplemented with 10% (v/v) fetal bovine serum (FBS) and 1% (v/v) penicillium-streptomycin at 

37 °C and 5% CO 2 for 24 hours. These seeded cell culture plates were then used to study the effects 

of the incubation of these systems on the cells. To assess the cytotoxicity of incubated hydrogels 

and nanocomposites, the formulated systems post UV sterilization were also placed in Transwell 

inserts (Pore size: 0.4 µm, growth area: 0.14 cm2). These inserts were then placed into the cell pre-

seeded 24-well plates for 24 h. The cell culture medium only and Matrigel were used as controls to 

compare with the viability of HDFs exposed to treated groups. The Matrigel was prepared at a 

concentration of 1% w/v and applied to the Transwell plates at a volume to surface area ratio of 50 

µL/cm2. MTS assays were performed in each group following manufacturer’s instructions 

(Promega, Inc). Viability of HDFs in each group was assessed compared to the culture media alone 

and Matrigel. 

3.2.7) Statistical Analysis: All data analysis was executed using one-way and two-way ANOVA 

(Statview 5.0 software, SAS institute, Cary, NC, USA) to analyze differences between groups with 

one or more independent variables. p < 0.05 was considered as significant difference. Post hoc 

analysis was done using Tukey’s honest significant difference (HSD). All data was reported as 

mean ± standard deviation. 
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3.3 Results and Discussion 

3.3.1) Size optimization of polydopamine nanoparticles using factorial design: 

We used the Design Expert software (Stat Ease) to design a 2 level 4 factor factorial experiment 

(n =3) and synthesized polydopamine nanoparticles particles according to the designed 

experimental parameters. We chose a mixed solvent (Ethanol: Water) system for the synthesis of 

PDA NPs as this solvent system has been shown previously to yield relatively monodisperse 

nanoparticles and has a greater degree of dopamine conversion to its polymeric form [160].  

 The analysis of the hydrodynamic sizes of each of the synthesized particles obtained using the 

designed experimental runs revealed that pH of the reaction, ethanol: water ratio and ammonia: 

water ratio were significant (p < 0.01) factors, with pH and ethanol: water ratio being the most 

significant of factors strongly effecting the size of polydopamine nanoparticles (PDA NPs) 

.Interestingly, dopamine concentration and the pH of the reaction had an interaction effect in the 

way they influenced PDA NP size . The difference in PDA NP size at increasing dopamine 

concentrations was significantly (p < 0.01) greater at pH 7 than at pH 9, indicating that it is easier 

to fine tune PDA NP size at pH 9 whereas it is possible to drastically change the PDA NP size at 

pH 7 by varying the dopamine concentration. In addition, the PDA NP size difference between the 

two pH conditions increased to a greater extent at higher dopamine concentrations than at lower 

dopamine concentrations. Overall, a basic pH (pH > 8.0) of the reaction favored smaller particles, 

with the smallest particles being formed at higher dopamine concentrations (Figure 3.1 A). The 

increase in ammonia: water ratio (0.25 % -2% v/v) overall lowers the PDA NP size in agreement 

with previous research on PDA nanoparticle synthesis in mixed solvent systems [160-162]. 

Moreover, in addition to these previous reports, we also demonstrated that the nanoparticle size 

lowering trend with increasing ammonia: water ratio is only significant (p < 0.01) at lower 

dopamine concentrations (0.5 mg/ml), in contrast to these observations it has been shown 
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previously that PDA nanoparticles with sizes ranging from 800-120 nm have been synthesized in 

similar mixed solvent systems at dopamine concentrations of 3.5 mg/ml by varying ammonia: 

water ratio from 0.28-1.4 %v/v; however, the pH of these systems is not widely reported which 

can vary between 9-11 depending on the amount of ammonia added to the reactions [161, 163]. In 

our results this may be explained by the relation between pH and dopamine concentrations where 

a higher dopamine concentration and higher pH of 9 leads to smaller nanoparticle size (Figure 

3.1A). In our analysis using the design expert software, we could also generate a predictive 

equation (Equation 3.1) that relates the size of polydopamine nanoparticles (PDA NPs) to the 

various significant factors thus providing simulations for reaction conditions that can enable 

synthesizing a particular size of PDA NPs.This predictive equation was validated by synthesizing 

PDA NPs using the simulated experimental parameters suggested by the software and measuring 

the size of nanoparticles using dynamic light scattering (DLS) techniques and electron microscopy 

analysis (Figure 3.1B-C). 

 

[Sqrt(Particle Size)]
-1 

= { (-0.028567) – [(0.071845) *(Dopamine Concentration)] 

+ [(4.53835E003)*(Ammonia: Water)] + [(6.88872E-003)* (pH)] + [(6.37498E-004)* 

(Alcohol: Water)] + [(9.45342E-003)*(Dopamine Concentration)] *(pH) – 

[(1.54010E-004)* (Dopamine Concentration) *(Alcohol: Water)] } 

      (Equation 3.1) 
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Figure 3.1: Optimization of polydopamine nanoparticles size.  (A) 3D Plots depicting the effect of pH and 

dopamine concentration on the polydopamine nanoparticle size. (B) Dynamic light scatter measurements of 

optimized nanoparticle formulations compared to the predicted size. (C) Transmission and scanning electron 

microscopy images of optimized 100 nm, 200 nm, 500 nm and 1000 nm sized particles.
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3.3.2) Effects of polydopamine nanoparticle sizes on adhesive strengths: 

The lap shear strengths of tissue adhesiveness of polydopamine nanoparticles at the tissue interface 

showed a size-dependent adhesion trend (Figure 3.2). The adhesion of PDA NPs was significantly 

higher (p<0.05), compared to silica and PLGA-NHS nanoparticles a shown in Figure 3.2, although 

the silica and PLGA-NHS nanoparticles were 30 nm and 250 nm in size. Tissue adhesive profiles 

of polydopamine nanoparticles favored greater adhesion to smaller particles sizes with adhesivity  
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Figure 3.2 Adhesive properties of polydopamine nanoparticles  (A) Tissue adhesion strength of 

nanoparticle suspensions (100-1000 nm) (12.5% (w/v)) on porcine skin-muscle interface (B) Digital image of 

an adhered skin-muscle interface (12.5% w/v, 200 nm polydopamine nanoparticle suspension). (C) Relative 

reactive phenol hydroxyl groups on 1% PDA NPs suspensions reprinted as absorbances based on micro BCA 

assays at 562 nm.
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decreasing as size of the particle increased. Several studies detailing the dynamics of single 

nanoparticle interaction and adhesion on substrates of varying stiffness have reported the work of 

adhesion to be inversely proportional to the radius of nanoparticles [164-167]. In addition, other 

repots studying the effects of nanoparticle sizes on cell adhesion also show that smaller sized 

nanoparticles adhere to cell surfaces to a greater extent than larger sized nanoparticles [168, 169]. 

Smaller nanoparticles have greater surface area to volume ratios which may contribute to greater 

adhesivity of 200 nm sized polydopamine nanoparticles relative to 1000 nm sized polydopamine 

nanoparticles. In contrast, adhesion studies on various particle-substrate interactions including 

elastic polymeric spherical particles, report the adhesion force to increase in proportion to particle 

radius [170-172]. However, it is important to note that the particles analyzed in these studies are 

micron sized particles with sizes greater than 10 µm, which may have different contact profiles 

with substrates and thus influence adhesion forces. In similar studies of polymeric microparticles 

adhesion, on substrates it has been reported that particles with sizes less than 5 µm adhered so 

strongly to substrates that it becomes difficult to un-adhere them using the same kind of applied 

forces that were used for larger particles (>10 µm), indicating changes in adhesive behaviors when 

the particle size reaches submicron and nanoscale domains [173, 174].  

Adhesion of particle to substrates is a complex process and is highly influenced by many factors 

such as surface roughness, electrostatic charge of the particle, and vander walls forces to name a 

few. Given the increase in dominance of these interfacial forces with decrease in particle size 

[175], the observed increased adhesiveness of smaller sized polydopamine nanoparticles on the 

porcine skin-muscle interface may be due to the increased interactions of these surface forces with 

the tissue interface. Our experimental results show that 200 nm polydopamine nanoparticles had 

the highest tissue adhesion (6.1 ± 1.6 kPa) which did not significantly differ from 100 nm sized 
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particles, because 100-200 nm polydopamine nanoparticles achieved the highest adhesion, for 

further studies we selected 200 nm sized particles. The 200 nm polydopamine nanoparticles also 

showed a concentration dependent increase in adhesion on the pig skin-muscle interface with the 

adhesion strength increasing significantly up to a polydopamine nanoparticle suspension 

concentration of 40 % (w/v) (Figure 3.3), thereafter there was no significant increase in adhesion 

with increase in polydopamine nanoparticle concentration. In recent reports, tantalum oxide-silica 

core shell nanoparticles were shown to be adhesive towards liver tissues and showed a similar 

concentration dependent increase in adhesion from 0.1-1 kPa with a nanoparticle concentration 

increase from 10-40 % w/v [176]. Adhesive interactions between polymeric nanoparticles and 

substrates and their adhesion strengths have been reported to increase in proportion to the number 

of nanoparticles per unit surface area in contact with the substrate surface [177]. In addition, the 

number of nanoparticles per unit surface area is directly proportional to the volume fraction or  
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Figure 3.3: Adhesive properties of 200 nm polydopamine nanoparticles  (A) Tissue adhesion 

strength of nanoparticle suspensions (size: 223 ± 31 nm) 5-50% (w/v)) on porcine skin-muscle interface 
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concentrations of the nanoparticles thus supporting the increase in adhesion along with the 

concentrations of polydopamine nanoparticles [178]. In our adhesion studies the maximum 

adhesion at 50 %w/v of nanoparticle concentration was calculated to be (8.1 ± 1.3 kPa).  

 3.3.3) Synthesis and characterization of hyaluronic acid-dopamine polymer: 

We modified hyaluronic acid polymer by grafting dopamine onto the polymer backbone using 

EDC-NHS aqueous chemistry (Figure 3.4 A), using a method previously described [179]. The 

successful grafting of dopamine onto hyaluronic acid backbone was confirmed by the FTIR 

analysis of purified HA-Dopa polymer. The FTIR spectras of HA polymer had the characteristic 

peaks (Figure 3.4 B) at 3260 cm-1 (-OH, -CNH, =CNH stretch), 2875 cm-1 (C-H stretch), 1600-

1610 cm-1 (amide I, C=O stretch), 1550-1560 cm-1 (Amide II, C-N stretch), and 1030 cm-1 (C-O-

C stretch), which were in agreement with previous reports on FTIR analysis of HA polymers [180]. 

These peaks were also present in the HA-Dopa polymer in addition a unique peak at 1700 cm-1 

(aromatic C=C bending) confirmed the presence of the aromatic ring of dopamine, confirming the 

grafting of dopamine onto the polymeric backbone of HA. The UV visible spectrophotometric 

determination of dopamine content in the polymeric backbone revealed a dopamine grafting 

amount of around 33% (Figure 3.4 C).  The grafting of dopamine onto hyaluronic acid polymer 

backbone using EDC/NHS aqueous chemistry has been attempted by various research groups with 
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dopamine grafting amounts ranging from 1%- 42% depending on the molecular weight of the 

polymer used [154, 181-183]. 

Figure 3.4: Hyaluronic Acid-Dopamine polymer synthesis and characterization. (A) 

Synthetic scheme of grafting of dopamine onto hyaluronic acid using carbodimide chemistry to 

achieve hyaluronic acid-dopamine polymer (HA-Dopa). (B) FTIR spectra of hyaluronic acid the 

dopamine grafted hyaluronic acid (HA-Dopa) to verify the grafting of dopamine onto the polymer. 

(C) Dopamine grafting amount determined by UV vis sepctrophotometry.
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3.3.4) Ex vivo adhesion strength of mussel-inspired HA-Dopa nanocomposites 

After the synthesis of HA-Dopa polymer, the effects of inclusion of nanoparticle types: PLGA, 

PLGA-NHS and polydopamine nanoparticles on the adhesion strengths of HA-Dopa hydrogels was 

investigated. As the polymer concentrations were increased from 1 %-40 % (w/v), there was a 

corresponding increase in tissue adhesion across the HA-Dopa group as well as all groups of 

nanocomposites at 12.5 % w/v nanoparticle concentration (Figure 3.5A).  
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Figure 3.5: Adhesive properties of HA-Dopa nanocomposites. (A) Tissue adhesion strength of 

adhesives for porcine skin-muscle interface (12.5% w/v, nanoparticle suspension) (B) Time dependent 

adhesion strength of adhesives (HA-Dopa concentration 40% w/v, 12.5 % w/v polydopamine 

nanoparticle suspension) on porcine skin-muscle interfaces
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This increase in adhesion can be attributed to the increase in available dopamine groups which has 

a high affinity to nucleophiles like amines and thiols present on the tissue surface [60, 183-185].  

We have previously studied the effects of inclusion of PLGA based nanoparticles on the adhesion 

strengths of alginate-dopamine hydrogels and had found that these nanoparticles to enhance the 

adhesion of these hydrogels on porcine skin-muscle interfaces [186]. The bare HA-Dopa hydrogels 

at 40% w/v in the present study showed greater adhesion (20 ± 2 kPa) compared to our previous 

alginate-dopamine hydrogels (14 ± 2 kPa) which may be a direct consequence of the improved 

grafting of dopamine onto HA polymer (33%) compared to that of alginate (26%), this is also 

indicated by adhesive strengths starting to significantly improve at 5% w/v HA-Dopa concentrations 

as opposed to 20% w/v in the case of alginate-dopa hydrogels [186]. 

The inclusion of nanoparticles at 12.5 %w/v had a significant effect in improving tissue adhesion 

only when the polymer concentrations increased to 20% w/v and greater. We have previously 

attributed this nanoparticle mediated increase in adhesion to nanoparticles ability to provide 

cohesive stability to the hydrogel. In addition, the nanoparticles can also dissipate energy at the 

tissue interface via surface interactions [186]. Further, the addition of nanoparticles to polymer 

matrix has been reported to improve material properties of the polymeric gels and due to the 

nanoscale of the particles they are able to interact with the polymeric chains with high surface energy 

that leads to stronger interactions with the polymer chains, also adhesive forces are influenced by 

interfacial forces such as van der wall forces, hydrogen bonding and electrostatic interactions which 

are more pronounced as the size approaches the nanoscale which may explain the superior adhesion 

of HA-Dopa nanocomposites [187]. In addition, the nanoparticles can improve the stiffness and 

elastic modulus of the nanocomposites without effecting the toughness. This can prevent adhesive 
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failure resulting in higher adhesivity which may explain the significant increase in adhesion due to 

inclusion of nanoparticles [188-190].  

In our studies the inclusion of PLGA-NHS nanoparticles significantly increased tissue adhesion of 

bare HA-Dopa hydrogels (37. ± 3 kPa compared to 20 ± 2 kPa); however, polydopamine 

nanoparticles had the most improved effect on adhesive strengths of the hydrogels (47. ± 5 kPa 

compared to 37. ± 3 kPa). This difference in adhesion strengths can be attributed to polydopamines 

ability to react with tissue amines relatively strongly compared to the NHS ester group. It has been 

shown previously that polydopamine can react and bind strongly to amines via Schiff base formation 

and result in improved adhesion of cells to polydopamine coatings [184, 191]   

We further tested the time dependent adhesion profiles of HA-Dopa nanocomposites blended with 

polydopamine nanoparticles which revealed an increase in adhesion of the HA-Dopa hydrogel as 

well as the nanocomposites over a 24-hour period (Figure 3.5 B). The polydopamine nanoparticle-

mediated enhancement of adhesion was significant at each time point and there was a significant 

difference (P< 0.05) in additional adhesion strength observed among the mussel-inspired hydrogels 

and the mussel-inspired nanocomposites at the end of 24 hours. 

3.3.5) Effect of variation of the type and concentration of nanoparticles on the adhesion strength 

of mussel-inspired HA-Dopa nanocomposites: 

 

The effects of varying PLGA, PLGA-NHS and polydopamine nanoparticle concentrations from 

0-20 % (w/v) on the tissue adhesion strengths of 40 % w/v HA-Dopa hydrogels were 

investigated. It was observed that the PLGA-NHS and polydopamine nanoparticles start to 

significantly improve tissue adhesion of bare HA-Dopa hydrogels at nanoparticle concentration 

of 5 % w/v and greater (Figure 3.6). 
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The polydopamine nanoparticles result in significantly superior adhesion profiles at nanoparticle 

concentrations of 5% w/v and greater compared to PLGA-NHS nanoparticles with maximum lap 

shear values reaching 52 ± 8 kPa at 20% w/v nanoparticle concentration. The tissue adhesive 

strengths of polydopamine blended HA-Dopa nanocomposites showed a size dependent adhesion 

Figure 3.6: Adhesive properties of different nanoparticle concentrations on HA-Dopa hydrogels 

(A) Tissue adhesion strength of HA-Dopa hydrogels (40% (w/v)) blended with (100-1000 nm) 

polydopamine nanoparticles (12.5% (w/v)) on porcine skin-muscle interface. (B) Adhesive profiles of 

HA-dopamine hydrogels blended with PLGA, PLGA-NHS and polydopamine nanoparticle suspensions 

0-20% (w/v)) on porcine skin-muscle interface. (C) Tissue adhesion strength of HA-dopa hydrogels 

(40% (w/v)) blended with varying concentrations of 200 nm sized polydopamine nanoparticles.
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trend (Figure 3.6A). The results indicated no significant differences in tissue adhesive strengths of 

nanocomposites blended with 100 nm, 200 nm and 500 nm polydopamine nanoparticles with the 

maximum lap shear strength of 47 ± 3 kPa displayed by the nanocomposites blended with 200 nm 

polydopamine nanoparticles. 1000 nm polydopamine nanoparticle blended nanocomposites had 

significantly lower adhesion strengths (35 ± 6 kPa) compared to the 200 nm group. Since the 200 

nm polydopamine nanoparticles were the most adhesive, for further studies we selected 200 nm 

sized particles. In further studies when the concentration of 200 nm polydopamine nanoparticles 

was varied from 10-50 % (w/v) there was a concentration dependent increase in tissue adhesive 

strength up to 30 %w/v nanoparticle concentration after which there were no significant increase in 

lap shear values. The increase in polydopamine nanoparticle concentration could increase the tissue 

adhesive strength up to 76 ± 5 kPa in the 50% w/v nanoparticle concentration group. 
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3.3.6) In vitro cell compatibility of HA-Dopa nanocomposite system  

The In vitro exposure of HA-Dopa hydrogels and HA-Dopa nanocomposites with human dermal 

fibroblasts for 24 hours did not show signs of cell toxicity in all groups of hydrogels  

and nanocomposites tested. All HA-Dopa nanocomposites tested had similar cell viability profiles 

as the positive control Matrigel. The HA-Dopa-PLGA, HA-Dopa-PLGA-NHS and HA-Dopa-

Polydopa all exhibited similar cell viability (p>0.05) (Figure 3.7). 

 

 

Figure 3.7: Cytocompatibility of HA-Dopa mussel-inspired nanocomposites (MIN) with 

human dermal fibroblasts (HDFs). Adhesive cytocompatibility with human dermal 

fibroblasts using a Transwell setup.
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3.4. Conclusion 

We successfully synthesized polydopamine nanoparticles and optimized the synthesis process to 

formulate 100 nm -1000 nm size ranged nanoparticles. We investigated the adhesive properties of 

these polydopamine nanoparticles and found them to have size dependent and concentration 

dependent tissue adhesion with 100-200 nm sized nanoparticles being the most adhesive. We 

further synthesized a new mussel inspired polymer based on hyaluronic acid (HA-Dopa). The 

inclusion of polydopamine nanoparticles into HA-Dopa hydrogels resulted in nanocomposites 

with superior adhesive profiles compared to our previously developed alginate-dopamine 

nanocomposites. These HA-Dopa-polydopamine nanocomposites were cytocompatible with 

normal human skin cells and showed an increase in tissue adhesion over time for 24 hours. In 

future studies we will study the in vivo biocompatibility of the HA-dopamine-polydopamine 

nanocomposites in a rat subcutaneous model. We will also evaluate the tissue penetration profiles 

of polydopamine blended nanocomposites using tissue sections and image analyses.  
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Chapter 4 
Aim 3: To develop an antimicrobial tissue adhering nanocomposite glue for wound healing 

applications 

4.1) Introduction 

Bacterial and fungal infections are major concerns for the treatment of chronic wounds and can be 

a hindrance in the use of surgical devices or implants for wound closure and wound repair. 

Microbial incidences can result in prolonged wound healing, wound dehiscence, abscess formation 

and sepsis formation and this becomes especially complicated in cases of large area wound repair 

such as in the case of burn wound repairs [192-195]. In addition, wound closure for patients 

suffering from diabetes or other immune compromising diseases, and in infection prone areas such 

as diabetic foot ulcers becomes especially complicated [196]. Bioadhesives have been applied 

towards wound healing applications to close the wound and provide delivery of growth factors. 

However, traditional bioadhesives typically lack anti-bacterial and anti-fungal properties, which 

necessitates additional anti-bacterial and anti-fungal drug delivery to treat infections with repeated 

doses of antifungal or antibacterial compounds [90]. The inconvenience of these repeated doses 

and the resulting increase in cost as well as the toxicity concerns of repeated drug doses continue 

to limit the application of current bioadhesives towards healing chronic wounds. In addition, 

antimicrobial drugs are incorporated into the adhesives for delivery but in some cases sustained 

release of the drug is difficult to achieve and the burst release of drugs often results in undesired 

systemic toxicity [197]. 

Tissue engineering approaches to address the wound closure and healing challenges revolve 

around the combination of growth factors, antimicrobial peptides and in some cases even stem 

cells, with scaffold materials that provide a support matrix and help cover the area of the wound 

[198]. These scaffold materials are usually referred to grafts or wound dressings or as skin 
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substitutes in some cases, depending on the layer of the skin being replaced or grafted on and the 

severity of the wound [198]. Several types of commercially available autologous and allogenic 

skin grafts use combination of differentiated cells such as fibroblasts and keratinocytes. Some 

examples of such graft materials include the popular Dermagraft (Organogenesis, Inc), Apligraft 

(Organogenesis, Novartis, Inc). These grafts provide a support matrix along with matrix proteins 

and enable the secretion of growth factors from the encapsulated fibroblasts and keratinocytes 

enabling host cell infiltration and re-epithelialization of the wound [199, 200]. However, such 

allogenic grafts are prone to disease transmission and graft rejection [201]. In addition, it has been 

found that allogenic differentiated cells in allogenic grafts fail to persist at the wound site over a 

period of 6 weeks [202, 203]. Autologous split thickness skin grafts address some of the limitations 

of allogenic grafts but are limited in applications towards chronic wounds while also having 

complications of donor site morbidity and poor healing rates [204]. Epidermal skin grafts offer 

improved outcomes in chronic wound healing compared to split thickness skin grafts but are 

limited by cumbersome and time consuming harvesting techniques, in addition these grafts do not 

often possess antimicrobial properties to defend against wound infections [205]. This creates an 

urgent need for the development of biocompatible bioadhesives with intrinsic antimicrobial 

properties for applications in tissue/wound closure, wound dressing, and chronic wound healing. 

Hydrogel materials are an ideal starting point to engineer materials with antimicrobial properties 

due to their ability to be functionalized and derivatized in addition to their advantage of providing 

moisture to the wound environment, which is essential to the cellular immunological activity 

facilitating the wound healing processes [206]. Several hydrogel based antimicrobial wound 

dressings have been looked at, mostly based on natural polysaccharides like alginate, dextran and 

more popularly chitosan due to its inherent antimicrobial property [34, 206]. In addition, synthetic 
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polymers like poly(vinyl alcohol), polyethylene oxide, poly(acrylic acid) and protein based 

biomaterials such as fibrin and gelatin have also been explored as wound dressings; however, these 

materials do not possess sufficient adhesive properties to facilitate optimal wound area coverage 

[207].  

In this chapter, we describe the development of a mussel-inspired tissue adhering nanocomposite 

glue with an inherent antimicrobial property for the treatment of chronic wounds.  We previously 

demonstrated the synthesis and characterization of alginate-dopamine based mussel inspired 

nanocomposites containing PLGA based nanoparticles and showed that the inclusion of 

nanoparticles leads to an increase in adhesion strength of the mussel inspired hydrogels in chapter 

2. In chapter 3, we further optimized the tissue adhesion of hyaluronic acid-based hydrogels by 

using polydopamine nanoparticles. In Aim 3, we will explore novel antibacterial nanocomposite 

systems which can used as antimicrobial adhesives for wound healing applications. 

In this chapter, further building on hyaluronic acid grafted dopamine polymers blended with 

polydopamine nanoparticles, we explored new polydopamine coated PLGA nanoparticles and 

their combination with HA-Dopa polymers to formulate new adhesive nanocomposites. In 

addition, a broad-spectrum antibiotic gentamycin, active against both gram positive and negative 

bacteria was loaded onto the polydopamine and polydopamine coated PLGA nanoparticles, which 

were then blended with HA-Dopa polymers to formulate gentamycin releasing antimicrobial 

nanocomposite adhesives. The adhesive profiles of these antimicrobial nanocomposites and the 

gentamycin loading and release profiles of nanoparticles and the nanocomposite hydrogels at 

different pH conditions simulating the wound environment were characterized. Further, 

antimicrobial testing of the nanoparticles and the nanocomposite hydrogels on gram positive (S. 

Aureus) and gram-negative bacteria (E. Coli), characterizing their inhibitory and bactericidal 
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activities in the form of zone of inhibition tests and time kill analysis over a period of 24 h on these 

bacterial species were also performed. Finally, the interactions of these antimicrobial 

nanocomposites on E. Coli and S. Aureus biofilms grown under controlled conditions to simulate 

an in vitro wound environment were investigated.  

This chapter describes in detail the afore mentioned testing, characterization and development of 

these degradable antimicrobial nanocomposite adhesives. 

4.2) Experimental Section 

4.2.1) Materials:  

Sodium Hyaluronate (MW:151-300 kDa) sodium metaperiodate (PI), dopamine hydrochloride, 

polyvinyl alcohol (PVA, MW=31 kDa), N-hydroxysuccinimide (NHS), 1-ethyl-3-(3-

dimethylaminopropyl)carbodiimide, (EDC) phosphate buffered saline (PBS) and 4-

morpholineethanesulphonic acid (MES) were purchased from Sigma-Aldrich, Inc, MO. 

Poly(lactide-co-glycolide) (PLGA, COOH terminated, lactide/glycolide molar ratio =50:50, and 

MW= 97 kDa) was purchased from Akina PolySciTech, Inc. Barium Chloride Dihydrate 

(Bacl2.2H2O, MW = 244.26 Da) was purchased form Fisher Scientific. Sulfuric Acid (H2SO4  

Fulka, Inc), Sterile bacterial disks (Biogram). All chemicals were used as received without further 

purification. 

4.2.2) Synthesis of polydopamine nanoparticles and polydopamine coated PLGA nanoparticles: 

The PLGA nanoparticles were fabricated using standard emulsion methods [21]. PLGA solution 

(2% w/v in dichloromethane, 5 ml) was added dropwise to a PVA solution (5% w/v in deionized 

water, 20 ml). This emulsion was sonicated (30 W, 5 minutes) and then stirred overnight at room 

temperature to allow solvent evaporation and particle formation. The resulting particle suspension 

was centrifuged (15,000 rpm, 30 min, 10 °C) and the pellet suspension in deionized water was 

lyophilized to obtain PLGA nanoparticles. The lyophilized PLGA nanoparticles were then mixed in 
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0.1 M Tris buffer (Ph 9.0) at 0.2 % w/v nanoparticle concentration and were dispersed for 30 mins 

followed by the addition of dopamine hydrochloride (2 mg/ml). The reaction was allowed to proceed 

under dispersion for a period of 12 hours. The polydopamine coated PLGA nanoparticles were 

purified via centrifugation at 80,000g and were washed thrice with DI water followed by 

lyophilization. The polydopamine nanoparticles were synthesized following the same protocols 

developed in chapter 3, section 3.2.1. 

4.2.3) Physical characterization of Nanoparticles:  

The hydrodynamic size, zeta potential and polydispersity of the polydopamine and polydopamine 

coated PLGA nanoparticles were measured via dynamic light scattering technique (DLS) (Brooke 

Haven, ZETA PALS). Nanoparticle suspensions (0.01 % w/v in DI water) were used for this DLS 

analysis. Zeta potential measurement was performed in PBS solutions at various pH conditions. The 

coating of polydopamine on PLGA nanoparticles and the loading of gentamycin onto polydopamine 

nanoparticles and polydopamine coated PLGA nanoparticles was confirmed using FTIR analysis of 

freeze-dried nanoparticles. The nanoparticles were also visualized using high resolution 

transmission electron microscopy (HR-TEM, Hitachi H-9500) by casting an aqueous dispersion of 

nanoparticles (10 µL, 0.1~0.05 % w/v in DI water) onto a carbon-coated copper grid (FF200-Cu-

50, Electron Microscopy Sciences, Hatfield, PA, USA) followed by staining with uranyl acetate (10 

µL, 1 % w/v in DI water) (SPI-ChemTM, SPI, West Chester, PA, USA) solution. The nanoparticles 

were also visualized and analyzed using Cytoviva imaging and hyperspectral analysis (Cytoviva 

Inc) by preparing microscopy slide (Corning micro slides 2947-75x25) with samples of aqueous 

dispersion of nanoparticles (10 µL 0.1-0.05 %w/v in DI water) and drying the samples under vacuum 

followed by sealing them with embedding adhesives. 
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4.2.4) Nanoparticle cytocompatibility:  

The cytocompatibility of PLGA and polydopa coated-PLGA nanoparticles was evaluated using 

human dermal fibroblasts (HDFs, ATCC). HDFs were seeded at a density of 10,000 cells/cm2 into 

wells of a 24 well plate (n = 8) and incubated in Dulbecco’s Modified Eagle Medium (DMEM, 

Sigma Aldrich) supplemented with 10% (v/v) fetal bovine serum (FBS, Life Technologies) and 1% 

(v/v) penicillium-streptomycin (Life Technologies, Inc.) at 37 oC and 5% CO2 for 24 hours (hrs). 

Nanoparticles at concentrations of 50, 100, 200, 500, 1000 µg/ml were then incubated with the cells 

for 24 hrs. An MTS assay (CellTiter 96® aqueous one solution cell proliferation Assay, Promega, 

Madison, WI) was performed according to manufacturer’s instructions to assess cell viability after 

exposure of these NPs. The HDFs exposed to culture media only served as a control. 

4.2.5) Drug loading and drug release from nanoparticles: 

Gentamycin sulphate was loaded onto polydopamine NPs and polydopamine coated PLGA 

nanoparticles by incubating the nanoparticles (10 mg) and drug in a 1:0.05 and 1:0.1 weight ratio in 

Tris.Hcl buffer (0.1 M, 8 ml, pH 9) at room temperature in a rocking shaker for a period of 6 h to 

study optimal loading conditions. At the end of each time point the nanoparticles were purified by 

ultracentrifugation (100,000 g, 45 mins), and the supernatant was used for drug loading analysis. 

Further, once the optimal ratio of gentamycin to polydopamine nanoparticles was determined, the 

optimal ratio was incubated as above for a period of 12h, 16h, 1, 2, 3 and 4 days to determine the 

optimal incubation time for maximal loading of gentamycin.  

For drug loading analysis, a spectrophotometric determination of gentamycin complexation with o-

pthaldialdehyde was used [208]. Briefly, a gentamycin stock solution (200 µg/ml) was prepared and 

varying volumes of the stock solution were added to 1 ml of o-pthaldialdehyde solution which was 

mixed previously in 1.5 ml of isopropanol. The final volumes were made up to 5 ml with DI water 
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so as to prepare gentamycin standards in the concentration range:10µg/ml – 100 µg/ml. Volumes of 

0.5 ml of the unknown gentamycin supernatant from the nanoparticle centrifugation was taken and 

mixed with 2.5 ml of the o-pthaldialdehyde- isopropanol mixture as before and the final volume was 

made up to 5 ml with DI water. The sample and the standards were incubated for 1 hour at room 

temperature on a rocking shaker and the absorbances of each tube was read in a UV transparent 96 

well plate (100 µL per sample, n =6, per tube) at a wavelength of 333 nm. The absorbances of the 

standards were used to construct a linear standard curve which was then used to correlate the 

absorbance of the supernatant to determine the amount of drug loading onto the surface of the 

nanoparticles using the equation below. 

Gentamycin loading efficiency % = �� =
�����

��
× 
�� ----- (Equation 4.1) 

Where Ci = Initial amount of gentamycin used during loading. Cs = Amount of gentamycin detected 

in supernatant. For drug release studies, 10 mg of gentamycin loaded nanoparticles (n= 3) were 

suspended in 1x PBS solutions (5 ml) either at pH 7.2 or pH 5.5 or pH 9.0 and incubated at 37 °C 

in a rotary shaker. At predetermined time points (30 mins, 1 h, 2 h, 4 h, 8 h, 16 h, 24 h, 2, 4, 7 and 

14 days) the tubes were centrifuged (100,000 g, 45 mins) to collect the supernatant while fresh 5 ml 

PBS was added as replacement and the nanoparticles were allowed to continue their incubation at 

37 °C as before. The supernatant was used to detect gentamycin using the same spectrophotometric 

methods as described in drug loading analysis. The amount of gentamycin detected at each time 

point was added in a cumulative fashion to determine the cumulative release of gentamycin over 

time.  
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4.2.6) Antimicrobial testing using S. Aureus and E. coli bacteria: 

The S. Aureus (ATCC, Wichita strain, Catalog #: 29213,) and E. coli (Carolina Biosciences, K12 

strain, Cat # 155065) bacterial cultures were grown from frozen stocks. Briefly, 2% LB agar media 

was prepared and autoclaved before use. In a biosafety clean air hood, standard bacteriological 

petri dishes (BD Falcon, 100 mm x 15 mm) were used to prepare agar plates (30 ml LB agar each) 

for bacteria cultures later. An inoculating loop was used to pick some of the frozen culture from 

the respective bacteria vials and streaked on to the prepared agar plates using standard bacterial 

streaking techniques. The plates were sealed using parafilm and incubated at 37 °C for 12-14 hours 

to allow bacterial colonies to develop. 

To optimize bacterial growth conditions and corelate the overnight grown bacterial cultures, 

O.D600 values with viable bacteria counts, colony forming assays were performed at various 

dilutions following standard protocols [209] . Briefly, a single colony for each bacterium was 

picked using a sterile inoculation loop and inoculated into 3 ml of 2% w/v LB broth (Sigma 

Aldrich, Cat: L3022). This procedure was repeated in triplicates, and the inoculated bacteria was 

grown for 12-14 hours along with a sterility control containing only LB broth. The O. D600 of these 

overnight grown bacterial cultures were later recorded, and the cultures were diluted 1:30 for 

remeasurement of O. D600 in case the values exceeded unity. 

Subsequently, for colony forming unit analysis, each of the respective overnight bacteria cultures 

and their three replicates were serially diluted from 10-2 to 10-7 in 2% w/v LB broth. For each 

bacterium and their replicates, 100 µl of each dilution from 10-4 to 10-7 was spread onto agar plates 

previously prepared using a sterile L shaped spreader. The spread agar plates were incubated at 37 

°C overnight (12-14 hours) and the resulting number of colonies at each dilution which was able 
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to be counted were recorded for both S. Aureus and E. coli. The equation 4.2 was used to calculate 

the number of colony forming units/ml in the overnight grown bacterial cultures. 

ℕ =
 × 10

10��
					− − − − − (	��������	4.2) 

Where, N= number of colony forming units/ml. C = Number of estimated colonies per plate at a 

particular dilution. D = The exponent of the particular dilution that resulted in C colonies. 

To determine gentamycin minimal inhibitory concentrations on S. Aureus and E. coli bacterial 

cultures, gentamycin dilutions in autoclaved 2% LB broth in the range 0.06 µg/ml -256 µg/ml were 

prepared by serially diluting a gentamycin stock solution (512 µg/ml). Overnight grown bacterial 

cultures of S. Aureus and E. Coli were diluted in 2% LB broth making use of the correlation 

between overnight OD600 and CFU/ml to obtain a culture dilution containing 1 x 108 CFU/ml for 

each bacteria, this was further diluted to 1: 100 using LB broth, and 50 µl of this diluted bacteria 

was added to the wells of a sterile 96 well plate (n = 6, for each gentamycin concentration being 

tested) followed by addition of 50 µl of each of the antibiotic dilutions into the respective wells 

giving rise to gentamycin final concentration in the range (0.03 µg/ml-128 µg/ml) and a final 

bacterial inoculum of 5 x 105 CFU/ml. A sterility control containing 100 µl of LB broth only and 

a growth control containing 100 µl of the 5x105 CFU/ml bacterial culture were also included. The 

96 well plates for each bacterium were sealed with parafilm and incubated at 37 °C in a humid 

environment for 16-20 h. Subsequently, 100 µl of the bacteria suspension from each of the wells 

was spread onto agar plates, and CFU analysis was performed on each plate as described earlier to 

estimate the MIC values of gentamycin.  

 



85 

4.2.7) Antimicrobial activity characterization of nanoparticles:  

Zone of Inhibition studies: E. Coli and S. Aureus bacteria were grown into overnight cultures 

using the colony picking and broth inoculation methods as described earlier in section 4.2.6. A so 

called MacFarland 0.5 standard was prepared by mixing 1% Bacl2 (100 µl) solution in DI water 

with 1% sulfuric acid (19.9 ml) solution in DI water. The overnight grown bacterial culture was 

diluted to match the OD600 value of the MacFarland 0.5 standard prepared above. Subsequently, 

200 µl of the diluted culture of each bacterial strain was plated onto 2% agar plates and spread 

using a L spreader. Sterile discs were inoculated with 50 µl of either 5x MIC values of gentamycin 

for the respective bacteria to serve as a positive control or LB broth to serve as negative control. 

Also, 50 µl of Gentamycin loaded nanoparticles as well as unloaded nanoparticles at 

concentrations 5% and 12.5 % were inoculated onto the sterile discs to serve as samples. The discs 

and the plates were dried inside a sterile culture hood for 10 mins following which the discs 

including the samples, positive and negative controls were applied onto the bacteria containing 

agar plates. The plates were then sealed with parafilm and incubated at 37 °C for 20 h. Finally, the 

plates were imaged using a standard camera and the diameter of the resulting zones of inhibition 

were analyzed using Image J software.  

 Time kill kinetic studies: E. Coli and S. Aureus were grown from colonies using the same methods 

as described in section 4.2.6. Further, these overnight grown cultures were diluted to adjust their 

OD600 values to the MacFarland 0.5 standard as before. Gentamycin loaded nanoparticles and 

unloaded nanoparticles in concentrations groups of 0.05, 0.1 and 1 % w/v were prepared at 3X 

these concentrations in sterile 2% LB broth (5 ml). Gentamycin concentrations at 1X, 2X and 5X 

MIC concentrations were also prepared to 3X of these concentrations in sterile 2% LB broth.  
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The diluted bacterial inoculums above and each of the gentamycin loaded nanoparticles, the bare 

nanoparticle samples as well as the gentamycin MIC (1X, 2X, 5X) groups were mixed together in 

1: 2 volume ratios into sterile tubes (n=3 for each group) which were then incubated at 37 °C. At 

predetermined time points of 4 h, 8 h, 12 h, 16 h, 20h and 24 h, bacterial samples were collected 

form each tube and diluted to 10-4 -10-6, and each dilution plated in 2% agar plates which were 

further incubated at 37 °C to perform colony forming unit analysis using the same methods as 

described in section 4.2.6. The estimated colony forming units were converted to a log scale and 

plotted against time to construct time kill curves of the two bacterial species with respect to the 

gentamycin controls as various MIC’s and the gentamycin loaded and unloaded nanoparticles.        

4.2.8) Fabrication of Antimicrobial nanocomposites 

The HA-dopamine polymer was cross-linked using the cross-linker PI at equimolar concentrations 

with respect to the dopamine amount in the polymer. Briefly, HA-dopamine polymer at 

concentration of 40 % w/v was mixed with 1X PBS (pH 7.2) to prepare a polymer precursor solution. 

The polymer precursor solution (40%) was then mixed with a nanoparticle suspension (5% or 12.5 

5) in 1X PBS solution. The polymer-nanoparticle mixture was then cross-linked using PI for 1 h.  

 

4.2.9) Characterization of Hyaluronic acid-gentamycin loaded nanocomposites: 

The cross-sectional morphologies of nanocomposites were examined using scanning electron 

microscopy. A 40 % w/v solution of the HA-Dopamine polymer in PBS (pH 7.2) was combined 

with a 12.5% w/v solution of the nanoparticles and cross-linked using PI at a final concentration of 

12 %w/v for 1 hour. The cross-linked samples were immersed in liquid nitrogen and cut at cross-

section. The frozen cross-sections were freeze-dried and imaged under a scanning electron 

microscope. For hydrogel degradation, mussel-inspired polymer was mixed in PBS (pH 7.2) at a 

final concentration of 40%w/v and crosslinked using PI (12 % w/v) for 1 hour. This cross-linked 
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hydrogel was then immersed in a tube containing 1 ml PBS (n = 6) concentrated with 100 u/ml of 

hyaluronidase. At predetermined time points each of the tubes were centrifuged (9,000g, 10 min) to 

collect the hydrogel. This collected hydrogel was lyophilized to achieve the dry hydrogel. The 

weight of this dry hydrogel (Wt) was recorded and compared with the initial dry weight (W0) to 

calculate the % weight remaining using Wt/Wo×100%. 

4.2.10) Adhesive testing of antimicrobial nanocomposites 

The tissue adhesion of the mussel-inspired nanocomposites and mussel-inspired polymer hydrogels 

was tested on porcine skin and muscle samples (n=6) using guidelines from the American Society 

for Testing and Materials (ASTM) standard F2255-05. Freshly obtained porcine skin and muscle 

were cut into sections (30mm × 10mm × 3mm), and the mussel-inspired polymer at concentration 

of 40% (w/v) in PBS (pH 7.2) with or without the incorporation of nanoparticle suspensions (0-50 

% w/v) was allowed to cross-link on an area of 10 mm × 5 mm between the skin-muscle interface 

for a period of 1 hour at 37°C. To ensure the skin-muscle samples were moist and retained water, 

the skin-muscle interface was kept in a humid environment in a standard cell culture incubator, 

maintaining humidity levels greater than 90% during the incubation time. The samples were then 

subjected to lap shear adhesion tests on an MTS insight workstation (cross-head speed of 10 mm 

min-1; 500 N load cell; room temperature), and then the lap shear strength was measured.  

4.2.11) Ex vivo tissue penetration depth of nanocomposites: Different groups of nanocomposites and 

the HA-Dopa hydrogel alone were cross-linked within the skin-muscle tissue interfaces for 1 hour. 

The adhered tissue samples were then embedded in optimal cutting temperature solutions (OCT, 

Tissue-tek) and frozen at -20 °C for 1 hour. The OCT embedded tissue samples were then cut into 

slices (10 µm thick). Image analysis was performed on the sections (n = 10) of each group of 

nanocomposites and the HA-Dopa hydrogel using Image J (National Institute of Health, Bethesda, 

MD, USA). A baseline indicated by the white horizontal lines was chosen, and it represented the 
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original contact between the muscle-skin and the glue. The glue penetration depth into the tissue 

was measured based on this baseline. 

4.2.12) Nanocomposite cytocompatibility:  

The HDFs were used to determine cytotoxic effects of the HA-Dopa alone and nanocomposite gels. 

The HDFs were seeded at a density of 10,000 cells/cm2 into the wells of a 24 well plate (n = 8) and 

incubated in DMEM supplemented with 10% (v/v) fetal bovine serum (FBS) and 1% (v/v) 

penicillium-streptomycin at 37 °C and 5% CO 2 for 24 hours. These seeded cell culture plates were 

then used to determine the cytotoxicity of the leached products of Ha-Dopa and nanocomposite gels. 

The leached products were formulated using the systems (40% w/v polymer and 12.5% w/v 

nanoparticles) as described above, UV sterilized and incubated them in a known amount of DMEM 

cell culture medium at different dilutions (1X, 5X, 10X, 100X) at 37 °C and 5% CO2 for 24 hours. 

Post incubation, all solutions were neutralized to pH 7.2 and added to the seeded HDFs for a period 

of 24 hours. MTS assays were performed after the 24-hour time-point following manufacturer’s 

instructions. The cell culture medium only and Matrigel were used as controls to compare with the 

viability of HDFs exposed to treated groups. The Matrigel was prepared at a concentration of 1% 

w/v and applied to the Transwell plates at a volume to surface area ratio of 50 µL/cm2. To assess 

the cytotoxicity of incubated hydrogels and nanocomposites, the formulated systems post UV 

sterilization were also placed in Transwell inserts (Pore size: 0.4 µm, growth area: 0.14 cm2). These 

inserts were then placed into the cell pre-seeded 24-well plates for 24 h. MTS assays were performed 

in each group following manufacturer’s instructions. Viability of HDFs in each group was assessed 

compared to the culture media alone and Matrigel. 
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4.2.13) Characterization of antimicrobial properties of nanocomposites:  

Zone of inhibition: The bacterial inoculum for both E. Coli and S. Aureus and the bacteria 

containing plates were prepared using the same methods as in section 4.2.7. The gentamycin 

loaded polydopamine (G-PDA NPs) and polydopamine coated PLGA nanoparticles (G-PDA-

PLGA NPs) containing nanocomposites as well as the nanocomposites containing bare 

nanoparticles were prepared in the same way as in section 4.2.8.  A 5% nanoparticle concentration 

group and a 12.5% nanoparticle group were used for the antimicrobial testing. The nanocomposites 

were allowed to gel within metallic rings (diameter: 10 mm) to form disc shaped nanocomposites 

to be used for the study. The positive controls containing 50 µl of the 5X MIC concentration of 

gentamycin for each bacterial specie as well as the negative controls containing 2% sterile LB 

broths were inoculated onto sterile testing discs using the same methods as described in section 

4.2.7. The nanocomposites or HA-Dopa hydrogels alone once cross linked for 1 hour were placed 

onto the bacteria containing agar plates and the plates were incubated at 37 °C for 20 h. 

Subsequently, the plates were imaged using a standard camera and the diameters of the resulting 

zones of inhibition were analyzed using Image J. 

Bacterial time kill kinetic studies: E. Coli and S. Aureus were grown from colonies using the same 

methods as described in section 4.2.6. The OD600 value of the bacterial cultures were adjusted to 

MacFarland standard 0.5, preparation of gentamycin concentrations, the growth and sterility 

controls, mixing of the bacteria inoculum and the samples in a 2:1 ratio were preformed using the 

same methods as described in section 4.2.7. HA-Dopa hydrogel and HA-Dopa nanocomposites 

were introduced into the final diluted bacteria inoculum and all tubes for each group: gentamycin 

(1X, 2X, 5X), growth control, HA-Dopa hydrogel, nanocomposites containing gentamycin loaded 

nanoparticles, and nanocomposites containing bare nanoparticles. (n = 3) were incubated in an 

orbital shaker at 225 rpm and 37 °C for 24 h. At predetermined time points of 4 h, 8 h, 12 h, 16 h, 
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20h and 24 h, bacterial samples were collected from each tube and diluted to 10-4 -10-6, and each 

dilution plated in 2% agar plates which were further incubated at 37 °C to perform colony forming 

unit analysis using the same methods as described in section 4.2.6. The estimated colony forming 

units were converted to a log scale and plotted against time to construct time kill curves of the two 

bacterial species with respect to the gentamycin controls at the various MIC’s, HA-Dopa 

hydrogels, gentamycin loaded nanocomposites as well as the nanocomposites containing bare 

polydopamine and polydopamine coated PLGA nanoparticles. 

Biofilm eradication Study: Biofilms of E. Coli and S. Aureus were grown using slight 

modifications of protocols optimized for in vitro biofilm growth on a 8 chamber slide [210]. 

Briefly, bacterial colonies for both bacterial for both species were grown in an overnight culture 

using the same methods of inoculation as described in section 4.2.6. The overnight culture was 

growth continuously until an OD600 of 0.5 was reached for both species. Subsequently the bacterial 

culture was diluted 1:6 in sterile 2% LB broth and further incubated at 37 °C in an orbital shaker 

at 225 rpm for 4 hours to precondition the bacterial inoculum to reach mid-log phase. Further, each 

of the two mid log bacterial suspensions were diluted to 1:2500 in prewarmed 2% sterile LB broth 

and 200 µl of the dilution was pipetted into each well of 8 well chamber slides corresponding to 

each of two bacterial species. The chamber slides were then incubated for 16 h at 37 °C, after 

which the chamber media was replaced with fresh prewarmed 2% sterile LB broth and 

subsequently for every 12 h to maintain bacterial viability.  

At the 24 h time point, HA-Dopa hydrogels, nanocomposites containing gentamycin loaded 

nanoparticles at nanoparticle concentration of 12.5 % as well as nanocomposites containing bare 

nanoparticles at 12.5% as prepared in section 4.2.8 were introduced into respective wells of the 
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chamber slide for each bacterial specie. These treatment groups were incubated with the chamber 

slide at 37 °C for 24 hours with media change (2% sterile LB broth) every 12 h. 

Visualization of Biofilm: At the end of 24 h, the bacterial biofilm was visualized by aspirating the 

LB media from each chamber well and washing each well twice with 0.9 % sterile saline solution. 

To stain the bacterial biofilm, 200 µl of Baclight Live/Dead stain was added to each well and 

incubated at room temperature for 15 mins under light protection thereafter. The wells were 

washed twice with 0.9 % sterile saline solution and fixed by incubating at room temperature with 

200 µl of neutral buffered formalin in each well, followed by washing twice with 0.9 % sterile 

saline solution. The wells were removed, and a cover slip was added with a sealant to examine the 

biofilm slides under a confocal microscope. 

 

4.4.14) Statistical Analysis: All data analysis was executed using one-way and two-way ANOVA 

(Statview 5.0 software, SAS institute, Cary, NC, USA) to analyze differences between groups with 

one or more independent variables. p < 0.05 was considered as significant difference. Post hoc 

analysis was done using Tukey’s honest significant difference (HSD). All data was reported as 

mean ± standard deviation. 
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4.3) Results and Discussion: 

 

4.3.1) Characterization of polydopamine nanoparticles and polydopamine coated PLGA 

nanoparticles: 

The polydopamine nanoparticles were synthesized using the same mixed solvent protocols as 

described in chapter 3 section 3.4.1. The polydopamine NP solutions at 0.1% w/v concentration in 

1x PBS buffers exhibited pH dependent change in surface charge with zeta potential values 

changing form -40 mV to +30 mV between pH 9.0 and 2.0 (Figure 4.1 A). The most rapid surface 

charge change was observed with pH ranges 6-3, with a 35 mv change in this transition. This pH 

dependent surface charge can be useful in capturing and releasing of charged molecules such as 

gentamycin sulphate (pKa 12.0) using polydopamine nanoparticles.    
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Figure 4.1: Physical characterization of polydopamine and polydopamine coated PLGA NPs. (A)

Zeta potential trend of 0.1 % w/v polydopamine nanoparticles in 1x PBS buffers at varying pH values. 

(B) FTIR spectras of polydopamine nanoparticles and polydopamine-coated PLGA nanoparticles 

(Polydopa-PLGA NPs).  
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The coating of polydopamine onto PLGA nanoparticles was confirmed by the FTIR spectras of 

the nanoparticles (Figure 4.1 B). The polydopa-PLGA nanoparticle spectrum had the carbonyl 

C=O stretching peak at 1747 cm-1 from the PLGA polymer, whereas the peaks at 3158 cm-1 in the 

polydopa-PLGA NP spectrum were attributed to the OH- and N-H stretch from the polydopamine 

coating confirming successful coating of PDA onto the PLGA nanoparticles. The polydopamine 

coating increased the size of the PLGA nanoparticles from 200 nm to 350 nm.                                                                                  

4.3.2) Drug loading and drug release from nanoparticles 

The pH-dependent surface charge of polydopamine nanoparticles (Figure 4.1 A) was utilized to 

physically adsorb the positively charged gentamycin (pKa 12.0) at a pH of 9.0 in Tris buffer. The 

loading conditions for the antibiotic gentamycin onto polydopamine nanoparticles were found to 

be optimal at 40 hours incubation with the particles at room temperature (Figure 4.2 A) at 

gentamycin: polydopamine NP weight ratio of 0.05:1. Further, varying of the weight ratio of 

gentamycin ratio from 0.05 up till 0.5 resulted in improved loading of the drug only up to 0.1 

weight ratio with although higher loading amount of gentamycin was achieved at the 0.5 ratio, the 

loading efficiency did not show any significant difference compared to the 0.1 ratio (Figure 4.2 

B). Subsequently, gentamycin to polydopamine nanoparticle weight ratio of 0.1:1 and a 3-day 

incubation period was chosen as optimal for maximal loading and applied to successive loading 

experiments. The gentamycin loading efficiency at this ratio onto polydopamine nanoparticles was 

calculated to be 72 ± 4 %. The gentamycin release profiles from polydopamine and poldopamine 

coted PLGA nanoparticles at pH values of 5.5, 7.2, 9.0 revealed significantly enhanced release (p 

< 0.01) of gentamycin at acidic pH of 5.5 compared to release at pH 7.2 and pH 9.0 for both group 

of particles.  
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4.3.3) Antimicrobial testing using S. Aureus and E. coli bacteria and gentamycin MIC 

determination 

The colony forming unit analysis on overnight grown (12-14 h) E. Coli and S. Aureus cultures was 

important because of the dependence of optical density of bacterial cultures on the optical 

configurations of a particular spectrophotometer which is well known to change between different 

optical configurations [211-213]. Among the various dilutions 10-6 and 10-7 were most useful in 
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Figure 4.2: Gentamycin loading and release profiles from polydopamine and polydopamine 

coated PLGA nanoparticles. (A) Loading optimization of gentamycin (0.05:1 weight ratio of 

gentamycin: polydopamine) onto polydopamine nanoparticles with respect to incubation time. (B)

Gentamycin loading efficiency at different weight ratios of drug to nanoparticles over a 3-day 

incubation period. (C) Gentamycin release profile from polydopamine nanoparticles at pH values 

5.5, 7.2 and 9.0. (D) Gentamycin release profile from polydopamine coated PLGA nanoparticles.  
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analyzing colony count. Our analysis revealed the relationship between OD600 values of 14 h 

cultures and the viable bacterial count in terms of colony forming units/ml as summarized in  

Table 4.1. The average CFU/ml of E. Coli and S. Aureus in our analysis at t = 14 h of growth was 

in agreement with currently reported growth rates and CFU values of E. Coli and S. Aureus cultures 

grown under similar conditions [214]. 

Table 4.1: OD 600 corelation between bacterial cultures and viable bacterial counts in terms 

of colony forming units/ml 

Bacterial Specie OD600
* (Colony Forming Units/ml) *108 

E. Coli 0.37 210 ± 10 

S. Aureus 0.28 120 ± 25 

*Optical density at 600 nm of bacterial cultures grown in 2% sterile LB media for 14 hours. 

The minimal inhibitory concentration (MIC) testing of gentamycin on S. Aureus and E. Coli 

cultures in logarithmic phase revealed the minimal inhibitory concentrations to be 4 µg/ml and 8 

µg/ml respectively (Figure 4.3) 
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Figure 4.3: Minimal Inhibitory concentration testing of gentamycin at various concentrations on bacterial 

cultures. (A) Optical density profiles of E. Coli treated with decreasing concentrations of gentamycin in 2% LB broth, 

revealing a significance increase in OD600 corelating bacterial growth at 4 µg/ml (p < 0.01). (B) Optical density profile 

of S. Aureus treated with different concentrations of gentamycin in 2% LB broth, revealing significant increase in 

OD600 corelating to bacteria growth at 2 µg/ml (p < 0.01). 
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4.3.4) In vitro antimicrobial activity characterization of nanoparticles:  

The testing of gentamycin-loaded polydopamine nanoparticles (G-PDA NPs), polydopamine 

coated PLGA nanoparticles (G-PDA-PLGA NPs) at 12.5 % w/v concentrations on bacterial 

species E. Coli and S. Aureus grown on agar plates revealed distinct zones of inhibitions for both 

the nanoparticles (Figure 4.4). The polydopamine nanoparticles were included to investigate 

potential inherent antimicrobial activity of these nanoparticles; however, the lack of development 

of the zone of inhibitions suggest that polydopamine nanoparticles had no inherent antimicrobial 

activity towards both bacterial species.  
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The zone of inhibition analysis revealed that both type of gentamycin loaded nanoparticles (G-

PDA and G-PDA-PLGA NPs) could successfully release gentamycin in LB agar plates to inhibit 

the growth of both bacterial species. Given these observations it was important to look at the 

bactericidal effects of these drug loaded using time kill kinetic analysis of nanoparticles 

incubations in active bacterial broth cultures over a period of 24 hours.  

The time kill analysis revealed that gentamycin loaded nanoparticles were effective in killing 

bacterial species over time starting at 4h from start of exposure to cultures with significant 

differences in bacterial viability (p < 0.01) between untreated control culture and the drug loaded 

nanoparticle groups (Figure 4.5). Interestingly, the polydopamine nanoparticle group (PDA-1.0) 

showed a significant difference in bacterial viability from the E. Coli growth control at the 4 h 

time point which was absent from the S. Aureus growth curve. 
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Figure 4.5: In vitro bacterial growth kinetics and time kill analysis of gentamycin loaded nanoparticles. 

(A) Growth kinetics of E. Coli cultures treated with gentamycin loaded nanoparticles in terms of Log10 (Colony 

forming units/ml) over a time period of 24 h. (B) Growth kinetics of S. Aureus cultures treated with gentamycin 

loaded nanoparticles in terms of Log10 (Colony forming units/ml) over a time period of 24 h 
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The E. Coli bacterial inoculum showed approximately a 3-fold log reduction in viable bacteria 

counts compared to an approximately 4-fold log reduction in S. Aureus cultures for the groups 

treated with both type of gentamycin loaded nanoparticles in the first 8 hours of bacterial growth. 

Among the drug containing nanoparticle groups, there was observed to be a significant difference 

in bactericidal activity at 8 h time point with gentamycin loaded polydopamine nanoparticles (G-

PDA-1.0) having a significant (p < 0.05) 1-fold log reduction on bacterial viability compared to 

gentamycin loaded PLGA nanoparticles (G-PDA-PLGA-1.0). In addition, the G-PDA-1.0 group 

was able to achieve absolute bactericidal effect at 16 h time point as compared to the same being 

achieved by G-PDA-PLGA-1.0 later at the 24 h time point.  

4.3.5) Characterization of Hyaluronic acid-gentamycin loaded nanocomposites  

 

 

Figure 4.6: Physical characterization of antimicrobial nanocomposites. (A) Digital image of 

(i) Hyaluronic acid dopamine hydrogels at 40 % w/v (HA-Dopa). (ii) HA-Dopa hydrogels blended 

with 12.5 % w/v concentration of gentamycin loaded polydopamine nanoparticles (HA-Dopa-G-

PDA) (iii) HA-Dopa hydrogels blended with 12.5 % w/v concentration of gentamycin loaded 

polydopamine coated PLGA nanoparticles (HA-Dopa-G-PDA-PLGA). (B) Degradation profiles 

of non-drug containing nanocomposites in 1x PBS in the presence of hyaluronidase (100 u/ml)  

 

(i) (ii) (iii) 
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The antimicrobial nanocomposites physically did not appear any different from the HA-Dopa 

control hydrogels. The degradation rates of non-drug containing nanocomposites in the presence 

of hyaluronidase (100 u/ml) however differed significantly from the HA-Dopa control at time 

points of 6 h, 8 h, 12 h and 36 h respectively. All samples degraded up to 95 % weight loss in 48 

hours of incubation with hyaluronidase.  

4.3.6) Adhesive testing of antimicrobial nanocomposites 

The adhesive testing of HA-Dopa nanocomposites blended with gentamycin loaded polydopamine 

and polydopamine coated PLGA nanoparticles at various concentrations revealed that gentamycin 

surface loading onto the nanoparticles did not significantly alter their adhesive profile. The 

improvement of adhesion strengths was observed with increase in nanoparticle concentrations with 

significant increase in adhesion occurring at 5% nanoparticle concentrations with lap shear values 

approaching 45 ± 5 kPa (HA-Dopa-Polydopa) and 40 ± 4 kPa (HA-Dopa-Polydopa-PLGA) 

compared to 20 kPa ± 3 kPa in the HA-Dopa control (Figure 4.7).  
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Figure 4.7: Adhesive profiles of antimicrobial nanocomposites blended with gentamycin 

containing polydopamine and polydopamine coated PLGA nanoparticles at 12.5 % w/v. 
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Nanocomposites containing polydopamine nanoparticles had superior adhesive profiles compared 

to those of polydopamine coated PLGA nanoparticles, with nanoparticle concentrations of 30% 

and higher showing significant differences in adhesive strengths (Figure 4.7). 

4.3.7) Nanocomposite cytocompatibility 

Cells incubated with the leached-out effluents of nanocomposites incubated in cell media showed 

a degree of cytotoxic response compared to the untreated control at 1x and 5x dilutions with cell 

media (Figure 4.8). The HA-Dopa group had a significant difference in cell viability (p < 0.05) at 

these dilutions when compared with both the untreated control: Tissue culture on poly(styrene) 

(TCPS) as well as the Matrigel control. The same effect was also observed in the polydopamine 

coated PLGA nanoparticle containing composite (HA-Dopa-PDA-PLGA). The polydopamine 

nanoparticle containing nanocomposites, on the other hand only differed in cell viability with 

respect to the untreated control (TCPS) at 1x and 5 x dilutions and had similar cytotoxicity 

response as the Matrigel effluents.  
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Figure 4.8: In vitro cytocompatibility profile of leached products of nanocomposite 

incubations in cell media. 
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4.3.8) Antimicrobial activity characterization of nanocomposites: 

The testing of antimicrobial nanocomposites containing gentamycin loaded polydopamine 

nanoparticles (HA-Dopa-G-PDA) and polydopamine coated PLGA nanoparticles (Ha-Dopa-G-

PDA-PLGA) at 12.5 % w/v concentrations on bacterial species E. Coli and S. Aureus grown on 

agar plates revealed their bacteria inhibition ability in the form of clear zones of inhibitions for 

both types of nanocomposites (Figure 4.9).  

E. Coli 

HA-Dopa HA-Dopa-G-PDA HA-Dopa-G-PDA-PLGA PI 12% w/v 

S. Aureus 
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*a: Gentamycin at 5X MIC; b: 2% LB Broth; c: Nanocomposite or hydrogel 
*HA-Dopa-G-PDA: Hyaluronic acid hydrogel blended with gentamycin loaded polydopamine NPs 

at 12.5 % w/v; HA-Dopa-G-PDA-PLGA: Hyaluronic acid hydrogel blended with gentamycin 

loaded polydopamine coated PLGA NPs at 12.5 % w/v; HA-Dopa: Hyaluronic acid dopamine 

hydrogel at 40% w/v. 

Figure 4.9: In vitro antimicrobial testing of gentamycin loaded nanoparticles on E. Coli and S. Aureus.

Zone of inhibition images of 2% agar plates inoculated with bacteria and incubated with test samples ( c ) and 

antibiotic control (a) and 2% LB broth negative control (b) over a period of 20 h.  
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HA-Dopa hydrogel was included as a control but interestingly demonstrated bacteria inhibitory 

activity (Figure 4.9 (i)). On further testing of the crosslinker sodium meta periodate (PI) used in 

formulation of HA-Dopa hydrogels we found that PI at 12 % w/v has an inhibitory effect on growth 

(Figure 4.9 (iv) & ix) of both bacterial specie which may explain the antimicrobial observation of 

HA-Dopa hydrogels. The nanocomposites blended with gentamycin loaded polydopamine 

nanoparticles showed a relatively higher inhibitory activity in both bacterial species compared to 

the ones blended with gentamycin loaded polydopamine coated PLGA nanoparticles (Figure 4.9 

(ii), (iii), (vii), (viii) respectively) (Figure 4.10)  
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Figure 4. 10: Quantification of the diameters of zones of inhibition produced by antimicrobial 

nanocomposites. 
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We further tested the bactericidal effects of these nanocomposites by performing another time kill 

kinetic analysis of nanocomposite incubations in active bacterial broth culture over a period of 24 

hours. The results of this analysis (Figure 4.11) revealed the inhibitory effects of the control HA-

Dopa hydrogels, it was important to note that HA-Dopa hydrogels were found to be bacteriostatic 

and not bactericidal since the viable bacterial counts in both E. Coli and S. Aureus did not reach 

log reductions more than a single fold over the period of 24 h and also the growth kinetic profile 

of the inoculums treated with 1X MIC concentrations of gentamycin were similar to the HA-Dopa 

hydrogel group except at the 24 h time point for both bacteria (Figure 4.11 A-B). The antimicrobial 

nanocomposites, however, showed bactericidal effects on both bacterial species with 
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Figure 4.11: In vitro bacterial growth kinetics and time kill analysis of antimicrobial nanocomposites. (A)

Growth kinetics of E. Coli cultures treated with nanocomposites blended with gentamycin loaded nanoparticles 

at 12.5% w/v in terms of Log10 (Colony forming units/ml) over a time period of 24 h. (B) Growth kinetics of S. 

Aureus cultures treated with nanocomposites blended with gentamycin loaded nanoparticles at 12.5 % w/v in 

terms of Log10 (Colony forming units/ml) over a time period of 24 h 
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polydopamine containing nanocomposites have a relatively greater (3-fold log reduction, for E. 

coli and 3.5-fold log reduction in S. Aureus) bactericidal effect compared to those containing 

polydopamine coated PLGA nanoparticles (1-fold log reduction, for E. coli and 2.5-fold log 

reduction in S. Aureus). All nanocomposites reached absolute reduction in bacterial viability by 

the 24-hour time point.  
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Chapter 5 

Conclusions and Future Outlook 

5.1) Summary 

In Summary, we have developed mussel inspired tissue adhesives whose adhesion to the tissue 

can be tailored by the choice and concentration of the polymers used as well as the properties of 

nanoparticles. These nanocomposite adhesives were degradable and showed enhanced adhesive 

properties on the inclusion of nanoparticles into the polymers. The in vivo testing of the alginate-

dopamine nanocomposites revealed these systems to be non-inflammatory in general and 

degradable within a period of 4 weeks in a rat sub cutaneous model. 

The optimization of adhesive strengths by varying the polymer types, their concentrations along 

with nanoparticle types and concentrations revealed new improved adhesives in the form of 

hyaluronic acid dopamine polymers combined with polydopamine based nanoparticles. These 

optimized adhesives were then developed into antimicrobial adhesives which successfully 

demonstrated bactericidal effects on E. Coli and S. Aureus species while being bio-degradable.  

5.2) Limitations and Future Work 

A few limitations of the work performed in this thesis relate to the adhesive strengths of the 

nanocomposites developed in chapters 2-4. Although they have a moderate adhesion relative to 

other adhesives developed by different research groups, it is at the cost of using a high polymer 

concentration (40% w/v) and crosslinker (PI) concentrations (12% w/v) which makes the bare 

hydrogels slightly toxic as we see in the cytocompatibility studies on human skin cells with the 

Alg-Dopa and HA-Dopa groups. This aspect needs to be improved in future attempts at this 

research direction by exploring other suitable grafting techniques of dopamine onto HA polymers 

and also other polysaccharide and cross-linking agents. In addition, it is also imperative to look at 

the in vivo biocompatibility of the HA-dopamine-polydopamine nanocomposites in a rat 
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subcutaneous model. It would also be important to look at the tissue penetration profiles of 

polydopamine blended nanocomposites using tissue sections and image analyses.   

On a separate note, in order to fully realize the adhesive potential of the nanocomposite materials 

developed in here, future investigations into the mechanisms of nanoparticle mediated increase in 

adhesion are warranted. For example at the present state of research, we postulate that the caused 

increase in adhesive properties might be due to the high surface area to volume ratio of nanoscale 

particles and the result of surface interactions such as Vander walls forces, capillary forces, 

electrostatic forces, and surface roughness between the polymeric matrix and the nanoparticles 

being intensified at the nanoscale leading to improved mechanical and surface properties of the 

resulting nanocomposites. This phenomenon needs to be experimentally validated in future studies 

by looking at polydopamine interactions with a hydrogel substrate as well as a tissue surface.  

Finally, the antimicrobial nanocomposites developed in Aim 3 exert their bacteriostatic effect via 

the use of antibiotics, which is a current point of contention in the current research effort to combat 

widespread and fast emerging antibiotic resistance in bacterial strains. It is important to develop 

antimicrobial adhesives, which rely on physical means like binding and damaging bacterial cell 

walls to cause cell death as these mechanisms of antimicrobial effect are not prone to the 

development of bacterial resistance.  

.  
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