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Abstract 
 

In order for the vast therapeutic potential of tissue engineering to be realized, inductive 

three-dimensional (3D) scaffolds that can direct cell behaviour and tissue architecture 

must be developed. Although a variety of strategies which enable scaffold-based 

biofactor release are under investigation, the processing conditions typically employed 

restrict the system architectures and mechanical properties that can be produced. 

 

The main objective of this thesis work was to develop an inductive tissue engineering 

system for in situ 3D gene delivery, utilizing the layer-by-layer deposition technique and 

a model scaffold. Towards that end, a novel polyelectrolyte multilayer film system 

composed of glycol-modified chitosan (Glyc-CHI) and hyaluronic acid (HA) was 

developed and analyzed. This biocompatible Glyc-CHI/HA multilayer system was then 

modified to incorporate gene delivery lipoplexes, composed of plasmid DNA complexed 

with Lipofectamine2000TM, in order to facilitate in vitro delivery of a marker gene 

encoding enhanced green fluorescent protein (EGFP).  The system, with and without 

incoporated gene delivery lipoplexes, was then adapted to be used as a LbL coating on a 

3D model porous scaffold system microfabricated from poly(lactic-co-glycolic acid) 

(PLGA).   

 

The polyelectrolyte multilayer film system developed in this study exhibited a number of 

novel and useful features. Glyc-CHI/HA films composed of 5 or more bilayers were 

displayed significantly increased in vitro cellular adhesion, growth and viability 
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compared to corresponding films consisting of the well characterized unmodified 

chitosan/HA system, while maintaining many similar physical properties. Meanwhile, 

multilayers incorporating gene delivery lipoplexes achieved in vitro transfection 

efficiencies of up to 20% in NIH3T3 and HEK293 cells, and were able to maintain 

transfection for at least 7 days. PLGA scaffolds LbL-coated with these Glyc-CHI/HA 

films supported in vitro MC3T3 cell growth and viability for a period of at least 2 weeks 

at levels similar to, or better than, those achieved in uncoated control scaffolds. A novel 

imaging technique known as optical coherence phase microscopy (OCPM) was 

demonstrated to enable in situ, non-invasive, label-free imaging of tissue structure and 

viability within our 3D tissue engineering scaffolds. Finally, coated PLGA scaffolds 

incorporating gene delivery lipoplexes were found to support scaffold-based in vitro 

transfection of HEK293 cells at levels significantly higher than uncoated scaffolds with 

surface adsorbed lipoplexes. Overall, this thesis work thus serves as an important first 

step towards using Glyc-CHI/HA multilayer films for controlled delivery of various 

therapeutic genes in 2D and 3D inductive tissue engineering applications. 
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Résumé 
 

Afin de voir l’important potentiel thérapeutique que représente l’ingénierie tissulaire se 

réaliser, il faut d’abord voir la réalisation de matrices inductrices tridimensionnelles 

pouvant régir le comportement des cellules de même que l’architecture des tissus. Bien 

que différentes stratégies permettant la libération de molécules bioactives en matrice 

soient à l’étude, les conditions de traitement les plus souvent utilisées restreignent 

l’architecture du système et les propriétés mécaniques qui pourraient être produites. 

 

Le principal objectif de cette thèse était de développer un système inducteur d’ingénierie 

tissulaire pour la libération tridimensionnelle in situ de gènes à l’aide d’une technique de 

dépôt couche par couche et d’un modèle matriciel. Vers la fin, un nouveau système de 

pellicule de polyélectrolytes à couches multiples composé de chitosane modifié au glycol 

(Glyc-CHI) et d’acide hyaluronique avait été conçu et analysé. Ce système biocompatible 

à couches multiples de Glyc-CHI/HA a ensuite été modifié pour incorporer des 

lipoplexes issus de la libération de gènes et composés d’ADN plasmidique complexé 

avec du Lipofectamine2000MC, et ce, afin de faciliter la libération in vitro d’un gène 

marqueur qui encoderait des protéines à fluorescence verte (GFP). Avec ou sans 

l’incorporation des lipoplexes issus de la libération des gènes, le système a par la suite été 

adapté pour servir d’enveloppe couche par couche sur un système de modèle matriciel 

tridimensionnel et poreux microfabriqué à partir de polyacide lactique coglycolique 

(PLGA). 
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Le système de pellicule de polyélectrolytes à couches multiples qui a été conçu au cours 

de cette étude démontrait un certain nombre de nouvelles caractéristiques utiles. Les 

pellicules de Glyc-CHI/HA composées de 5 bicouches présentaient une adhésion, 

croissance et viabilité accrues des cellules in vitro comparativement à des pellicules 

similaires formées du système bien connu de chitosan/HA non modifié, tout en 

conservant de nombreuses propriétés physiques semblables. On a pu observer que des 

couches multiples incorporant des lipoplexes issus de la libération de gènes parvenaient à 

atteindre in vitro un rendement de transfection de 20 % dans les cellules NIH3T3 et 

HEK293 et étaient en mesure de maintenir cette transfection pendant au moins 7 jours. Il 

a également été démontré que les matrices de PGLA enrobées de ces pellicules de Glyc-

CHI/HA pouvaient appuyer la croissance et la viabilité in vitro de cellules MC3T3 pour 

une durée minimale de deux semaines, et ce, à des niveaux semblables ou supérieurs à 

ceux atteints par les matrices témoin non enrobées. Une nouvelle technique d’imagerie 

nommée microscopie de phase par cohérence optique a permis d’obtenir des images in 

situ non invasives et dépourvues d’étiquettes de la structure et de la viabilité des tissus à 

l’intérieur de nos matrices tridimensionnelles d’ingénierie tissulaire. Enfin, on a pu 

observer que les matrices de PLGA enrobées incorporant des lipoplexes issus de la 

libération de gènes appuient la transfection in vitro de cellules HEK293 dans la matrice à 

des niveaux nettement supérieurs à ceux des matrices non enrobées dont la surface a 

adsorbé des lipoplexes. En général, la présente thèse est un important premier pas vers 

l’utilisation de pellicules de Glyc-CHI/HA à couches multiples pour la libération 

contrôlée de divers gènes thérapeutiques dans les applications inductives  bi- et 

tridimensionnelles de l’ingénierie tissulaire. 
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Chapter 1: Introduction 
 

Tissue engineering has emerged over the last two decades as a promising area of research 

that brings together expertise in biology and materials science to create tissue-specific 

grafts for organ repair or replacement. In order to maximize therapeutic potential, tissue 

engineering scaffolds need to go beyond passively providing a temporary mechanical 

support for cellular ingrowth and must actively guide cell behaviour, phenotype and 

tissue architecture. Towards this end, a variety of inductive tissue engineering systems 

that actively release biofactors, such as proteins and genes, are currently under 

investigation. However, the processing conditions typically employed in scaffold 

production are restricted to ranges which preserve the activity of the incorporated 

biomolecules, thus limiting the properties and architectures that can be produced.  

 

Layer-by-layer (LbL) deposition, a simple technique for the fabrication of thin films and 

coatings, has been extensively used for the 2D controlled release of drugs, bioactive 

proteins, and plasmid DNA. Employing mild processing conditions and involving the 

surface assembly of alternating layers of oppositely charged polyelectrolytes, thin LbL 

coatings can be formed on nearly any 2D or 3D substrate, thus enabling the modification 

of material surface properties. We thus believe that the use of LbL polyelectrolyte thin 

films can be expanded to enable the delivery of genes from 3D scaffolds while preserving 

the properties and architectures of the underlying matrices. The aim of this thesis work, 

therefore, was to develop a biocompatible polyelectrolyte multilayer film system which 

enables gene delivery from 3D scaffold systems.  
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The naturally-derived polysaccharides chitosan (CHI) and hyaluronic acid (HA) have 

been widely incorporated into multilayer film architectures for a variety of 

bioapplications, including in vitro gene delivery. However, many cell lines exhibit 

decreased adhesion to thicker CHI/HA films, thus suggesting that cellular transfection 

from these films may be far from optimal. We thus developed a comparable film system 

comprised of glycol-modified chitosan (Glyc-CHI) and HA, with the hypothesis that the 

resulting films would display increased cell adhesion while preserving many of the 

biocompatible properties of CHI/HA multilayers, thus enhancing transfection efficiency. 

In order to enable scaffold-based gene delivery, the resulting Glyc-CHI/HA film system, 

with and without incorporated gene delivery lipoplexes, was then applied as a surface 

coating on a model 3D tissue engineering scaffold system composed of poly(lactic-co-

glycolic acid) (PLGA). Additionally, a novel, non-invasive, label-free imaging technique 

known as optical coherence tomography (OCT) was evaluated as a tool for assessing 

cellular adhesion, viability, and proliferation within our LbL-coated scaffold system.  
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Chapter 2: Background and Literature Review 

 

2.1 Inductive Tissue Engineering 
 

2.1.1 Principles: 

Motivated by a worldwide shortage of donor organs, tissue engineering has emerged over 

the last two decades as a promising area of research that brings together expertise in 

biology and materials science to create tissue-specific grafts for organ repair or 

replacement. The paradigm underlying the field entails the combination of cells and 

biofactors within a porous, biodegradable supporting material known as a scaffold or 

matrix (Fig. 2.1).  Early research mainly focused on the selection or design of 

biocompatible materials, methods for the fabrication of scaffold architectures with 

appropriate mechanical and physical properties, and sourcing of suitable numbers and 

types of cells. However, tissue engineering requires scaffolds that not only passively 

provide a temporary mechanical support for cellular ingrowth, but which also actively 

guide cellular behaviour, phenotype and architecture.  Development of inductive 3D 

scaffolds which localize and control the delivery of protein growth factors and/or genes 

has thus been a rapidly growing area of investigation.  

 

Natural tissue development, repair and regeneration involve the precise temporal and 

spatial orchestration of a variety of signalling cascades and cell types.  The protein 

growth factors which play important roles in these signalling pathways have short half-

lives and rapid clearance rates when exogenously introduced in vitro or in vivo. The 
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timing of therapeutic growth factor delivery is also crucial to optimize tissue induction 

while avoiding adverse or inhibitory effects (1, 2).  Scaffold-based release, therefore, 

must localize and maintain biofactor concentrations for the timeframe required for 

optimal in situ tissue development, repair or regeneration. 

 

 

FIGURE 2.1: The inductive tissue engineering paradigm. Cells and biofactors, such as 
protein growth factors and DNA, are combined within a porous, biodegradable supporting 
material known as a scaffold or matrix. The resulting cell-seeded scaffold system can then 
either be directly transplated in vivo or cultured in vitro prior to implantation to allow for 
further tissue development.  
 

Scaffold-based biofactor release kinetics are governed by both the diffusion rate of the 

specific molecule through the scaffold system and the degradation rate of the scaffold 

matrix itself. Thus, the architecture and material employed in inductive scaffold 

construction must be carefully tailored to the specific tissue and application. 

Additionally, scaffold processing conditions must be limited to the mild range that 
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maintains protein conformation, stability and bioactivity (3).   In designing an inductive 

tissue engineering system, it is therefore crucial to consider the materials employed, the 

scaffold fabrication method and the biofactor incorporation strategy. 

 

2.1.2 Scaffold Materials: 

Materials utilized in scaffold production must fundamentally be “biocompatible”, which 

in the context of tissue engineering means that they must provide a suitable environment 

that supports appropriate cellular activities for the particular tissue being engineered, 

while not triggering any undesirable host responses on either a local or systemic level. 

More specifically, scaffolding materials should be cellular adhesive, biodegradable at an 

appropriate rate, non-toxic, non-mutagenic, non-immunogenic, processable into a porous 

matrix and possess suitable mechanical properties. Fortunately, decades of research into 

implants and controlled drug delivery systems have yielded a wide array of well 

characterized biodegradable polymers, both naturally-derived and synthetic, which have 

more recently been investigated for 3D scaffold production (reviewed in (4-9)).  

 

As tissue engineering scaffolds are essentially attempting to mimic the role of the 

extracellular matrix (ECM), naturally-derived polymers, particularly those proteins and 

polysaccharides that are themselves components of the ECM, are thus a logical starting 

point for scaffold design.  Ordinarily interacting with and stimulating cells in their native 

state, naturally-derived polymers are thus intrinsically biocompatible and enzymatically 

biodegradable, with structures and chemistries that closely mirror the tissue environment.   

However, the natural origin of these polymers is a double-edged sword leading to batch-
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to-batch variability, potential for a xenogenic immune response, or viral and prion 

contaminants, and high costs associated with purification. Moreover, naturally-derived 

polymers often have poorer mechanical properties than synthetic materials and can be 

less amenable to processing. Despite these limitations, natural origin polymers have been 

used in a wide variety of tissue engineering applications, including in clinical trials and 

FDA-approved treatments (reviewed in (4, 5, 9)). The most commonly employed 

naturally-derived tissue engineering polymers can be broadly classified into two main 

categories: protein-based polymers and polysaccharides.  

 

Proteins, which are essentially polymers consisting of amino acids, constitute the major 

structural component of most tissues. Fibrous proteins are particularly attractive as tissue 

engineering materials due to their repetitive secondary and tertiary structures which can 

create rigidity and thus lead to improved mechanical properties.  Of the many protein and 

amino-acid based polymers investigated in tissue engineering applications, the most 

widely used are collagen, fibrin, gelatin, elastin, and silk. In addition to animal sourcing, 

many of these proteins can be produced via recombinant technologies, which enable the 

control of protein molecular weight and monodispersity, hence eliminating problems with 

batch-to-batch variations (10-13).  More importantly, recombinant techniques allow for 

precise design of amino acid sequence and the tailoring of protein properties such as 

biodegradation rate, thus opening the door to novel protein-based polymers which are 

beginning to be used in tissue engineering scaffolds (13). 
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Polysaccharides are biopolymers consisting of multiple simple sugar monomers 

(monosaccharides) joined together via glycosidic bonds. Playing a wide variety of roles 

in vivo from structural to cell signalling, polysaccharides can be obtained from animal, 

vegetal and microbial sources, and are thus often lower in cost compared to proteins. 

Polysaccharide physical properties are dependent upon their monosaccharide 

composition, molecular weight, and structure, i.e. linear vs. branched.  The most widely 

used polysaccharides in tissue engineering are hyaluronic acid, chondroitin sulphate, 

alginate, chitosan, dextran and starch. 

 

Biodegradable synthetic polymers, although not possessing the inherent biocompatibility 

of their natural counterparts, provide a variety of advantages for use in tissue engineering. 

Being synthetic, the chemical and physical properties of these polymers can be precisely 

controlled with high reproducibility, including biodegradation rate, mechanical stability 

and processability. Although cell-interacting functional groups can be incorporated into 

the polymer design, synthetic polymers do not generally interact with cells, nor do they 

closely resemble the native extracellular matrix. Another important disadvantage is the 

potential to generate acidic or harmful degradation products in vivo. However, the myriad 

possibilities in design have lead to a vast array of synthetic polymers being employed in 

scaffolds, including polyesters, polylactones, poly(propylene fumarates), polyanhydrides, 

polyurethanes, and many others (reviewed in (4, 8)). 

 

Amongst the broad variety of synthetic biodegradable polymers under investigation in the 

field of tissue engineering, the majority fall within the polyester family.  The saturated 
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aliphatic polyesters poly(lactic acid) (PLA), poly(glycolic acid) (PGA) and poly(lactic-

co-glycolic acid) (PLGA) are the most widely utilized, with the latter two employed in 

devices approved by the Food and Drug Administration (FDA) for human clinical use 

(14).  These polymers degrade in vivo via hydrolysis into monomers that can be removed 

by the existing natural pathways responsible for lactic and glycolic acid removal. The 

degradation rate of these polymers varies from months to years and depends upon factors 

such as degree of crystallinity, molecular weight, and copolymerization ratio (3, 9). 

Although successfully employed in a variety of biomedical applications, many common 

biodegradable polyesters such as PLA, PGA, and PLGA still exhibit limited mechanical 

properties and cannot be processed using certain techniques. 

 

While the majority of scaffolds are composed of polymers, certain applications, such as 

orthopaedic and dental tissue engineering, are better served by the use of scaffolds 

consisting of ceramics, metals, or composites.  Calcium phosphate ceramics, including 

tricalcium phosphate and hydroxyapatite, and bioactive glasses have been extensively 

investigated for use in bone tissue engineering due to their superior osteoconductive and 

osteoinductive properties (reviewed in (15)). However, due to brittleness, poor 

bioresorbability, and low fracture toughness, ceramic-based scaffolds do face limitations.  

Polymer-ceramic composite scaffolds combining the advantages of both materials are 

thus being developed, particularly for osteochondral tissue engineering, with the aim of 

optimizing mechanical properties and cellular interaction.  Interestingly, biodegradable 

metals, including those based on metals used in orthopaedic implants, have also recently 

been processed into porous bone tissue engineering scaffolds (16).   
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2.1.3 Scaffold Fabrication Methods: 

Since structure and function are intricately linked in natural tissues, control of scaffold 

architecture from the macro- down to the nano- scale is crucial in tissue engineering.  The 

overall architecture of a scaffold will greatly influence construct mechanical properties, 

biodegradation rate, molecular diffusion, cellular distribution and cell-surface 

interactions. Alongside selection of the constituent biomaterial(s), two of the key 

concerns in scaffold design are overall 3D geometry, including micro- and nano- scale 

surface topography, and porosity, which must be tailored to enable cellular penetration 

and migration as well as nutrient and waste transport.  To date a wide variety of strategies 

for fabrication of complex, porous, 3D scaffolds have been investigated (reviewed in (17-

20)), with recent trends moving towards computer assisted design (CAD) -based 

manufacturing techniques that allow for precise control of construct architecture 

(reviewed in (20)).  

 

Hydrogels are one of the mostly widely used classes of 3D matrix for a broad array of 

tissue engineering applications (reviewed in (21-23)).  Consisting of a network of cross-

linked hydrophilic natural and/or synthetic polymers, hydrogels are attractive candidates 

for tissue engineering due to the ease with which they are formed, their highly swollen 

network structure, their ability to encapsulate cells and growth factors, and their efficient 

mass transfer properties. Cells, with or without additional biofactors, can be 

homogenously entrapped within the surrounding matrix during the gelling process, i.e. 

upon the addition of a chemical or physical cross-linker.  Depending upon the properties 
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of the polymers employed to form the gel, a variety of ‘smart’ functionalities can also be 

engineered into the system, such as stimuli (e.g. light, pH, addition of chemicals) -

responsive swelling or degradation (reviewed in (24-26)).  Used extensively in cell 

encapsulation, drug delivery, and injectable scaffold applications, hydrogel systems are 

currently undergoing a number of human clinical trials in applications such as cartilage 

tissue engineering (27-29).  Although possessing the above mentioned advantages, the 

most significant drawback to hydrogels remains their poor mechanical properties, which 

has lead to a number of studies into hybrid scaffolds consisting of hydrogels formed 

within various other scaffold types (30-33). 

 

One of the earliest methods employed in the fabrication of porous polymeric scaffolds is 

porogen leaching in combination with solvent casting or compression molding (34-36).  

A porogen, such as biocompatible particulates like salt or sugar, is dispersed within a 

polymer solution or within a powder-based polymer mixture.  Once the scaffold material 

is set, either via solvent evaporation or heat and pressure, the porogen is leached out of 

the matrix using an appropriate solvent, thus leaving behind interconnected pores in the 

size range of the dissolved porogen. Although widely used with a variety of different 

polymers, this method can give rise to problems in controlling the homogeneity of the 

dispersed porogen or the degree of pore interconnectivity.  The technique generally 

works best for thin membranes as it can become difficult to completely remove the 

porogen from thicker constructs. Porogen leaching is also often combined with other 

fabrication techniques, such as freeze-drying, gas foaming and rapid prototyping, to add 

an additional scale of porosity.  
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Freeze-drying and other similar phase separation methods can be used to produce 3D 

scaffolds with interconnected pores of varying sizes (37-39).  In the case of freeze-

drying, a polymer is dissolved in an appropriate solvent and mixed with water to form an 

emulsion which is quickly frozen.  The water within this frozen emulsion is then 

sublimated under low pressure, with the space formerly occupied by ice crystals giving 

rise to scaffold porosity. Thermally induced phase separation (TIPS) is a similar 

technique, with a homogenous multi-component system, consisting of a polymer-rich and 

polymer-poor phase in an easily sublimated solvent, is used in place of a water/polymer 

emulsion (40-42).  In this case, the space left behind by solvent sublimation becomes the 

pores.  In both techniques the degree and size of porosity is controlled by varying the 

freezing time and other processing parameters (39).  Although these techniques are 

simple and versatile, they result in sponge-like constructs which generally exhibit poor 

mechanical properties and possibly structural instability upon rehydration.  With the TIPS 

method it can also be difficult to extract all of the solvent, potentially leading to cellular 

toxicity issues. 

 

Gas foaming is a polymeric scaffold fabrication method that attempts to eliminate the 

problems associated with harsh organic solvents (43-45). High pressure CO2 is added to 

dry polymer, e.g. that has been compression molded, dissolving fairly homogenously 

throughout the matrix.  The pressure is then reduced, thus leading the thermodynamically 

unstable dissolved CO2 to nucleate gas cells which grow and form pores.  The resulting 



12 

sponge-like scaffolds, however, often exhibit poor pore interconnectivity and often 

possess a non-porous surface. 

 

 Electrospinning is a fabrication method which suits tissue engineering applications 

where a mesh-like structure would be advantageous, such as connective tissues (46-49).  

The technique uses high voltage to create an electrically charged jet of polymer melt or 

solution which is drawn out through a small diameter nozzle.  As this charged polymer jet 

moves towards a charged or grounded collector surface, the solvent evaporates thus 

forming nanofibres.  By controlling the electric field as well as the dispensing and 

collecting parameters, non-woven nanofibrous mats or membranes with varying fibre 

diameters can be produced (46).  The main challenge still facing this technique is 

applying it to produce more complex 3D structures. 

 

Rapid prototyping, also referred to as solid free from fabrication (SFF), is an increasingly 

popular computer-aided technique which allows for complete control over 3D scaffold 

design (20, 50-52).  A digital 3D model of the structure to be produced is generated via 

CAD software, in some cases linked to medical imaging technologies to yield clinically 

relevant structures which can even be matched to specific patient defects. The resulting 

programme is subsequently used by an automated apparatus which manufactures the 

scaffold by utilizing one of a variety of methods, including: 3D printing, fused deposition 

modeling, stereolithography, and selective laser sintering (20, 53, 54).  They key 

advantage of these SFF techniques is the precision control of the entire 3D scaffold 

design, from nano- to macro- scale architecture, to chemistry and mechanical properties.  
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It also enables the production of unique and complex scaffold geometries which cannot 

be produced via any other method.  

 

The materials utilized, the fabrication methods employed, and the resulting scaffold 

architecture help to determine the mechanical properties of an engineered tissue 

construct. Suitable mechanical properties, that is, those which closely mirror the target 

tissue, play a vital role in the success of a scaffold system. Within engineered tissues, 

there is an important mechanical interplay between cells and their surrounding scaffold 

environment (reviewed in (55)). Scaffold stiffness, for example, can influence cellular 

adhesion, proliferation and function (56-59); while, cells can exert contractile forces 

which can deform scaffold architectures (59-62). Thus, it is crucial to select the optimal 

combination of materials, fabrication methods and scaffold architecture for each specific 

tissue engineering application. 

 

2.1.4 Biofactor Incorporation and Release Strategies: 

To date, a variety of methods have been explored to incorporate protein growth factors, 

naked plasmid DNA, adenoviral vectors, lipoplexes, or polyplexes into 3D scaffold 

systems and control their delivery (reviewed in (63-65)) (Fig. 2.2). 



14 

 

FIGURE 2.2: Incoportation strategies for producing scaffolds that deliver biofactors, such 
as protein growth factors and plasmid DNA. Some of the more commonly employed 
approaches include: directly blending the biofactors with the hydrogel or core scaffold 
polymers during fabrication; simple surface adsorption of the biofactors onto the scaffold; 
covalent attachment of the biofactors to the scaffold surface; and encapsulating the 
biofactors within polymeric microspheres. 
 

Proteins as well as naked and condensed plasmids can be blended directly into hydrogels 

or with ‘solid scaffold’ core polymers via formation of polymer-solvent and biomolecule-

water emulsions and subsequent freeze-drying (66), or via gas foaming (67), which 

eliminates the need for organic solvents.  Protein and/or DNA release in these bulk 

incorporation systems is generally characterized by an initial burst followed by slow 

release that is controlled by the diffusion and degradation rate of the matrix. Simple, non-

specific surface adsorption of proteins, plasmids, polyplexes and lipoplexes via scaffold 

dipping is also commonly performed (68, 69), although this technique generally results in 

low levels of protein or gene loading and poor control of release kinetics.  
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Direct immobilization of proteins and gene delivery vectors to scaffold surfaces, via 

covalent cross-linking or strategies involving antibody/antigen or biotin/avidin binding, 

has also been widely investigated (70-73).  In designing covalent protein linkage systems, 

however, one must ensure that the immobilization process does not affect the biological 

activity of the proteins by blocking active sites or causing denaturation. Additionally, 

growth factors which require cellular internalization for proper function must only be 

immobilized via cleavable linkage strategies.  

 

One of the most flexible strategies for the production of controlled delivery scaffold 

systems involves the use of polymeric micro- or nano-spheres which encapsulate gene 

delivery vectors or protein growth factors.  These factor-loaded spheres can then be 

aggregated and fused to form 3D scaffolds, blended with the scaffold matrix polymer, or 

associated with the surface of pre-fabricated scaffolds via adsorption or covalent-cross-

linking (74-77).  By varying the proteins and or genes that are encapsulated, the polymers 

used to produce the microsphere shell, and the aggregation or blending strategy, a wide 

variety of delivery systems can be designed, including those employing sequential and/or 

zonal release (76, 77).  A number of concerns with microsphere fabrication techniques 

remain, however, such as possible protein denaturation or DNA degradation due to the 

shear stresses created by sonication during the emulsification process and/or interactions 

with organic solvents. 
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Single and multiple protein- and/or gene- releasing scaffold systems have been designed 

and investigated for a variety of tissue engineering applications, including angiogenesis, 

bone and cartilage repair, neural and liver regeneration, and wound healing (reviewed in 

(63, 64)).  Current trends in scaffold-based protein and gene delivery are extending 

beyond controlling dosage and release kinetics to encompass multi-agent delivery and 

spatially-controlled release. For example, many groups have created concentration 

gradients of growth factors within hydrogels, with several studies demonstrating the 

capacity to align neurons and guide axonal extension both in vitro and in vivo in nerve 

injury models (78).  Meanwhile, zonal protein delivery was demonstrated in an in vivo 

angiogenesis model, with VEGF delivery from one scaffold area resulting in formation of 

small blood vessels while sequentially delivery of first VEGF and then PDGF in another 

scaffold zone led to fewer but larger and more mature vessels (79). Spatially patterned 

gene delivery can also be achieved using various techniques, with one of the most 

commonly employed strategies being the controlled microfluidic deposition of hydrogels 

containing different gene delivery vectors (80).  
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2.2. Gene Delivery  
 

2.2.1 Principles: 

While inductive tissue engineering systems can deliver a variety of biofactors that 

influence cellular activity, scaffold-based gene delivery offers several potential 

advantages over release of protein growth factors.  In contrast with the challenges that 

can arise in preserving the 3D structure and bioactivity of proteins, the sequence 

information of DNA is more easily conserved, thus leading to greater flexibility in the 

design and application of gene delivery scaffolds. Protein growth factors also tend to 

exhibit limited half-lives and stability, and are generally more expensive to produce than 

gene vectors.  By inducing host cells to locally produce the growth factors themselves, 

gene delivery can also provide localized protein expression for longer periods of time and 

at higher concentrations than exogenous protein delivery. More importantly, the resulting 

cell-expressed proteins are also far more likely to possess the appropriate conformation, 

post-translational modifications and thus bioactivity than the recombinant proteins 

typically released from scaffolds. Furthermore, while inductive tissue engineering via 

protein delivery is generally limited to cell-surface interacting growth factors, the ability 

to deliver genes that encode for transcription factors or other intracellular proteins 

broadens the cellular processes that can be targeted. Finally, tissue-specific gene and thus 

protein expression can be achieved via use of tissue-specific promoter sequences within 

the DNA vector.    
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Like all forms of gene therapy, successful scaffold-based DNA delivery requires the 

efficient delivery of therapeutically relevant genes to specific cells, the expression of 

these genes at appropriate levels for the required timeframe, and the minimization of any 

adverse effects.  Naked plasmid DNA can be delivered to cells via a number of physical 

methods, such as direct nuclear injection, electroporation, ultrasound-facilitated transfer, 

and hydrodynamic delivery (reviewed in (81)), resulting in successful gene expression. 

However, viral and non-viral DNA carriers are far more efficient at gene delivery, also 

known as transfection.  Much research effort continues to be devoted to the design and 

optimization of gene delivery vehicles which can overcome the various biological 

barriers to transfection.    

 

Any DNA carrier faces a number of challenges along the way to inducing successful gene 

expression in a cell (reviewed in (82-85)) (Fig. 2.3). The carrier must first protect the 

DNA from degradation by extracellular nucleases before it can get into the cell. It must 

also condense the DNA into an appropriate size range for cellular internalization.  The 

carrier vector must then enable cellular uptake, either via targeted pathways, such as 

receptor mediated endocytosis, or via non-specific means, such as electrostatic or 

lipophilic interactions with the cellular membrane (86).  Once taken up into the cell, the 

DNA-carrier complex must be transported through the cytoplasm and into the nucleus, 

escaping the endo-lysosomal pathway along the way if necessary.  Inside the nucleus, the 

carrier must be able to disassociate from the DNA, thus enabling the DNA to be 

transcribed into proteins.  The remaining carrier materials must also ideally be non-toxic 

and biocompatible.   
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FIGURE 2.3: Barriers to successful gene delivery and intracellular expression which must 
be considered in designing a delivery vector. (I) Gene packaging/condensation. (II) Cellular 
uptake. (III) Endo-lysosomal escape. (IV) Vector release of the gene. (V) Trafficking 
through the cytoplasm and into the nucleus. (VI) Expression of the gene into a protein. 
(from: (85)) 
 

The aim of scaffold-based gene release is thus to deliver optimal transfection vectors in a 

controlled, substrate-mediated manner in order to direct cellular behaviour, function and 

architecture. 

 

2.2.2 Gene Delivery Vectors: 

A wide variety of viral and non-viral gene delivery vectors have been investigated to 

date, with several even employed in human clinical trials.  As viruses evolved to deliver 

their genetic material into host cells, viral-based vectors were the first class of carriers to 

be studied for gene therapy applications (reviewed in (87, 88)). Consisting mainly of 

RNA or DNA surrounded by a caspid, viral vectors have been modified to be replication-
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deficient carriers, with the majority of their genetic material removed to minimize 

adverse effects. Viral vectors, including those based on adenoviruses, retroviruses, 

lentiviruses, adeno-associated vectors, and the herpes simplex virus, are the most widely 

used gene therapy carriers due to their extremely high transfection efficiencies.  Indeed, 

the vast majority of clinical trials employ adenoviral and retroviral vectors to treat a 

variety of disorders, including immuno-deficiencies, cancer, sickle cell anemia, macular 

degeneration, heart failure, Alzheimer’s disease, and Parkinson’s disease (89). However, 

there are serious concerns about the immunogenicity of various viral vectors, as well as 

the possibility of mutagenic effects due to random insertion of DNA into the host 

genome.  While different strategies are being employed to modify viral carriers to solve 

these problems, non-viral DNA delivery vectors have emerged as a viable alternative.  

 

The majority of non-viral gene carriers are cationic in nature and either lipid- or polymer-

based, or a hybrid of the two. These cations electrostatically interact with anionic DNA, 

condensing it into polyplexes or lipoplexes which serve to both protect the DNA from 

degradation and increase cellular uptake. By varying the ratio of carrier cation groups 

(e.g. amines) to DNA anionic phosphate groups, also known as the N:P ratio, the 

resulting DNA polyplex or lipoplex size and surface charge can be optimized to improve 

transfection efficiency.  Although cationic polymer and lipid carriers tend to display 

significantly lower transfection efficiencies than viral vectors, they are generally easier 

and cheaper to manufacture, exhibit lower immunogenicity, and offer a greater flexibility 

in design, particularly for cellular targeting.   
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Lipid-based gene carriers are the most commonly used form of non-viral vector. 

Generally consisting of a cationic head group, a hydrophobic domain and a segment 

linking the two, lipid-based vectors typically exhibit the highest transfection efficiencies 

amongst non-viral vectors. A wide variety of cationic lipids have been developed for 

gene delivery (reviewed in (90-93)), with many of them often mixed with a non-charged 

helper lipid, such as cholesterol or dioleoylphosphatidylethanolamine (DOPE), in order to 

enhance transfection and/or reduce cytotoxicity. Serving as the ‘gold standard’ in most 

transfection studies, Lipofectamine, a commercially available mixture of the polycationic 

lipid 2,3-dioleyloxy-N-[2(sperminecarboxamido)ethyl]-N,N-dimethyl-1-propanaminium 

trifluoroacetate (DOSPA) and the neutral lipid dioleoyl phosphatidylethanolamine 

(DOPE), and its derivatives, such as Lipofectamine2000TM, are by far the most widely 

employed non-viral gene delivery vectors. Able to transfect a wide variety of cell types 

both in vitro and in vivo at high efficiency, Lipofectamine has been used in 

approximately 7% of worldwide gene therapy trials (93). However, Lipofectamine and 

related lipid-based gene carriers still do not achieve transfection efficiencies as high as 

viral vectors and cytotoxicity issues remain, particularly as cellular contact time is 

increased.   

 

A broad variety of synthetic and naturally-derived polymeric vectors have been 

investigated for gene delivery (reviewed in (82, 85, 94)), including those based on 

poly(ethylenimine) (PEI), poly(amidoamine), poly(orthester)s, poly(phosphoester)s, 

poly(lysine) (PLL), cyclodextrin, and chitosan (CHI). With the highest cationic charge 

density of any polymer, polyethylenimine (PEI) is the most widely studied polymeric 
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gene delivery vector to date, achieving relatively high transfection efficiencies in a 

variety of cell lines and primary cell types (95, 96). However, as toxicity remains an issue 

with PEI and many other synthetic vectors, a number of biodegradable and naturally-

derived carriers, including polysaccharide and peptide-based polymers such as chitosan 

(CHI) and poly(lysine) (PLL), have been studied in the hopes of reducing cytotoxicity 

and improving biocompatibility (97, 98). By tailoring polymer structure (e.g. linear vs. 

branched) and molecular weight, as well as the N:P ratio, transfection efficiency can be 

optimized for specific cell types and gene therapy applications.  

 

Hybrid gene carrier systems combing the best features of polymeric, lipid-based, peptide-

based and viral systems have also been widely investigated. For example, viral and lipid-

based vectors have been modified with poly(ethylene glycol) (PEG) or other hydrophilic 

polymers to reduce protein adhesion and thus immune recognition (99, 100). A variety of 

strategies have also been employed for the surface modification of gene delivery 

polyplexes, lipoplexes and viral vectors with cell-specific targeting ligands, such as 

folate, lactose, integrins, transferrin, and aptamers (83, 101, 102). Addition of ligands and 

polymeric segments that promote endo-lysosomal escape, cytosolic transport, nuclear 

importation, and vector-DNA dissociation has also been studied for a variety of carriers, 

particularly polymeric ones (82, 85, 103). Currently, much research is being performed to 

develop new classes of multifunctional gene delivery vectors, including those that are 

stimuli- responsive, facilitate intracellular tracking, or enable magnetic or ultrasound 

assisted delivery (84, 85).   
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In selecting a gene delivery vector for an inductive tissue engineering application, a 

number of important factors must be considered.  Firstly, whether the target cell 

population is dividing or non-dividing determines the type of vectors which can be used, 

since some viral vectors (e.g. retroviral) and many non-viral vectors can only transfect 

dividing cells. Another concern is the required duration of transgene expression.  While 

many vectors are suitable for transient transfection, which is appropriate if gene 

expression is only needed for a short-term period, only certain viral vectors (retroviral 

and lentiviral) can permanently integrate DNA into the host cell genome. Additionally, 

the immunogenicity of a gene carrier can be a significant issue if sustained release is 

required, as a more serious immune response can lead to fibrous encapsulation of the 

inductive scaffold system (104, 105). Most importantly, the stability of the vector will 

greatly affect the scaffold design and processing conditions that can be employed. Many 

viral vectors inactivate quickly at room temperature and may be difficult to process with 

various types of scaffolds, in contrast to non-viral systems which tend to be more stable.  

Thus the DNA carrier selected is as crucial as the scaffold design to the success of an 

inductive tissue engineering system.  

 

2.2.3 Substrate-Based Gene Delivery: 

Scaffold- and substrate-based gene delivery offer a number of advantages over traditional 

solution-based, or ‘bolus’, transfection. The scaffold itself provides an additional level of 

protection from systemic degradation and clearance, while localizing transfection to the 

site of interest, thus minimizing transport and cell targeting issues as well as non-target 

cell transfection. By concentrating the gene delivery vectors to the vicinity nearest the 
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cells, substrate-based transfection can also potentially achieve higher transfection 

efficiencies while simultaneously requiring a lower total amount of DNA.  Scaffold-

based transfection also provides the potential of sustained gene delivery for longer time 

frames, as well as an easier means for combined and sequential gene delivery.  

 

Gene-releasing 3D scaffold systems have been investigated for a wide range of tissue 

engineering applications, including wound healing, angiogenesis, nerve regeneration, and 

bone, cartilage and tendon repair (reviewed in (106-108)).  Naked plasmid DNA, as well 

as DNA complexed with viral, polymeric and lipid-based carriers have been incorporated 

within a variety of 3D scaffold types using a number of different methods, as previously 

overviewed (Chap. 2.1.4). However, strategies involving surface immobilization of DNA 

and gene delivery vectors raise a number of issues affecting transfection efficiency which 

merit closer consideration.  

 

Substrate-mediated gene delivery, also referred to as ‘reverse transfection’ or ‘solid-

phase transfection’, involves the attachment of DNA, with or without a carrier vector, 

onto a biomaterial surface and is thus utilized not only in tissue engineering applications, 

but also in medical implant coatings and cellular transfection microarrays (109-111).  The 

key concern in substrate-mediated transfection is balancing immobilization with cellular 

internalization. The method used to associate the gene delivery vector with the surface 

must be strong enough to maintain localization, yet not too strong as to prevent cellular 

uptake and thus transfection. For example, in the case of biotinylated PLL-DNA 

complexes linked to a neutravidin coated surface, it was found that there is an optimal 
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amount of biotin functionalization, below and above which transfection efficiency was 

low.  Too much biotin and PLL complexes were not able to be internalized by cells, too 

little and not enough DNA was localized to the material surface (72). 

 

The context in which surface adsorbed or immobilized gene delivery complexes are 

presented is also important to substrate-mediated transfection efficiency.  The chemistry 

and topography of the underlying biomaterial surface not only directly affects the DNA 

loading capacity, but also influences the size and shape of the adsorbed DNA polyplexes 

or lipoplexes, all of which play a role in transfection efficiency.  Material surface features 

also have a significant effect on cellular adhesion and proliferation, which in turn affect 

transfection levels, and may even influence the level of cellular endocytosis (112, 113). 

For example, co-presentation of retroviral and polymeric vectors alongside certain 

adsorbed proteins, such as fibronectin, has been found to increase surface-mediated 

transfection (114-116), in some cases without affecting cellular adhesion or spreading 

(114).  It is theorized that this rise in transfection efficiency is due to a change in the 

route of cellular internalization from clathrin-mediated endocytosis to the caveolin-

dependent pathway used for fibronectin uptake (117), thus potentially decreasing edo-

lysosomal degradation (118, 119).  

 

A variety of strategies can be employed for the surface-immobilization of gene 

transfection vectors, including non-specific adsorption (109), encapsulation within a thin 

polymeric or hydrogel film (110), surface attachment via biotin-streptavidin (72), 

antibody-antigen conjugate systems (120), or cell-responsive tethering via enzyme-
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cleavable linkages (121). Amongst these many methods, layer-by-layer polyelectrolyte 

deposition has emerged as a simple yet versatile technique which can be utilized with 

biomaterials of nearly any type, shape or size. 
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2.3 Layer-by-Layer Deposition 
 

2.3.1 Principles: 

Employed in a variety of biomedical applications, layer-by-layer (LbL) deposition is a 

simple and versatile technique used for the fabrication of thin films and coatings. LbL 

films are produced via the sequential surface assembly of alternating layers of oppositely 

charged polyelectrolytes and can be formed on nearly any 2D or 3D substrate, thus 

enabling modification of material surface properties.  A wide range of charged species 

can be incorporated within LbL multilayers, including natural and synthetic polymers, 

proteins, DNA, drugs, dyes, inorganic nanoparticles, and carbon nanotubes. Film 

properties such as thickness, mechanical stability, permeability, and surface roughness, 

chemistry, and wettability can be fine tuned by altering the polyelectrolytes (PEs), layer 

number, architecture, and fabrication conditions employed.  This flexibility makes LbL 

deposition an attractive method for a diversity of applications, including drug and gene 

delivery (reviewed in (122-124)). 

 

Developed by Decher and colleagues (125), the general layer-by-layer deposition method 

is outlined in Fig. 2.4. A charged substrate is immersed in a solution containing an 

oppositely charged polyelectrolyte (e.g. polycation), which adsorbs onto the surface, thus 

yielding the first layer and reversing the surface charge. Any unbound polyelectrolyte is 

then removed via a rinsing step, followed by immersion in another solution consisting of 

a polyelectrolyte of opposite charge to the first (e.g. polyanion), which forms the second 

layer. This layer pair, or bilayer, is then rinsed again and the entire cycle is repeated until 
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the desired number of layers is deposited.  Rather than consisting of distinct, strictly 

structured layers, the resulting LbL films are somewhat “fuzzy” with some layer 

interpenetration and an overall periodic structure (126, 127). LbL films can not only be 

formed using the dipping method described above, but can also be produced via spin-

coating (128-130), or spray-coating (131-133) of alternating species.    

 

 

FIGURE 2.4: Layer-by-Layer deposition process. A polyelectrolyte (in this example, a 
cation) is deposited onto an oppositely charged substrate, forming the first polymer layer 
and inverting the surface charge. After a rinsing step, a different oppositely charged 
polyelectrolyte (in this case, an anion) is deposited, thus forming the second polymer layer 
and again inverting the surface charge. After a rinsing step, the process is repeated a 
number of times until the desired number of polymer layers are deposited. 
 

While a variety of LbL systems have been developed and characterized, the precise 

mechanisms underlying their formation are only beginning to be understood. Layer-by-

layer build-up is believed to be mainly driven by electrostatic interactions; however, the 

contributions of non-electrostatic forces should not be ignored.  Electrostatic forces 
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alone, for example, cannot account for charge inversion following polyelectrolyte 

adsorption, as a purely electrostatic interaction would lead to an exact balance of the 

charge of the underlying layer. Furthermore, in some film systems, inversion of surface 

charge is not required for polyelectrolyte adsorption (134). Entropic gain, due to the 

release of water and counterions as oppositely charge polyelectrolytes complex within the 

film, is theorized to be a key factor in driving film formation (135, 136).  Hydrophobic 

interactions, hydrogen bonding, specific polymer-polymer interactions and other entropic 

contributions also play important roles in multilayer formation (137). Indeed, many LbL 

film systems have been designed utilizing non-electrostatic interactions (reviewed in 

(138)), including hydrogen-bonding (reviewed in (139)), hydrophobic interactions  (140), 

stereo-complexation (141), charge transfer interactions (142), metal-ligand complexation 

(143), and specific bio-interactions (144-147).  

 

2.3.2 Monitoring LbL Deposition and Film Growth: 

The layer-by-layer build-up of polyelectrolyte films can be investigated using a variety of 

thin film characterization techniques. In order to analyze a specific multilayer system, 

film properties, such as surface charge, thickness, mass and structure, are typically 

evaluated either in situ or after each layer deposition step.  As surface charge inversion 

following each polyelectrolyte adsorption step is generally characteristic of LbL build-up, 

one of the more commonly employed methods for monitoring multilayer film formation 

involves assessing the surface zeta-potential via streaming potential measurements (148-

151).  
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Changes in film mass and thickness during multilayer fabrication are also essential to 

film system characterization and can be analyzed through a range of optical and 

spectroscopic techniques. The majority of these methods measure changes in optical 

absorbance or reflective spectra in comparison to a bare substrate and use a characteristic 

film refractive index to determine multilayer thickness. Examples of optical and 

spectroscopic techniques commonly employed to assess polyelectrolyte multilayer 

thickness and mass include: ultraviolet-visible spectroscopy (UV-VIS) (152-154), 

ellipsometry (148, 155, 156), scanning angle reflectometry (SAR) (149, 157), optical 

waveguide lightmode spectroscopy (OWLS) (157-159), and surface plasmon resonance 

(SPR) (160-162). These techniques generally employ the assumption that the measured 

films are optically homogenous and isotropic layers. As this is often not the case, 

particularly for the first few film layers (150, 159), more than one method is often 

utilized.  

 

Quartz-crystal microbalance with dissipation (QCM-D) is a widely used alternative 

method for characterizing LbL film mass and thickness (150, 153, 159, 160, 163, 164).  

A real-time, high-resolution technique based upon the piezoelectric effect, QCM-D 

detects mass binding to the surface of electrode-equipped quartz crystals (reviewed 

in(165)). An alternating electric field is applied to the crystal, thus producing a 

characteristic resonance frequency which decreases as increasing amounts of mass 

become bound to the surface. The time-dependent loss of crystal oscillation energy, or 

dissipation factor, is inversely proportional to the time required for the crystal to stop 

oscillating once the applied voltage is turned off. This dissipation factor increases as the 
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amount of mass bound to the crystal sensor increases. Real-time monitoring of changes in 

frequency and dissipation during multilayer formation on top of quartz sensors thus 

yields data about the kinetics, mass and thickness of film formation. The thickness of 

rigid, tightly-bound, purely elastic multilayer films, which are characterized by the 

observation that frequency changes measured at the fundamental frequency and higher 

overtones all superimpose well over one another, can be determined by the linear 

Sauerbrey relationship (166).   However, many LbL films display soft, viscoelastic and/or 

highly hydrated properties which lead to system energy losses and result in a wide spread 

in QCM-D frequency change measurements recorded at different overtones (164, 167, 

168). In these cases, multilayer thickness is related to frequency and dissipation changes 

through the Voight-Voinova model (169, 170).  

 

Assessment of film structure is another important element of exploring polyelectrolyte 

multilayer formation. High energy techniques such as x-ray and neutron reflectometry 

have been used to examine internal multilayer structural features, including layer 

stratification and degree of layer interpenetration, on a nanometre-scale (127, 171-173). 

However, as these techniques yield little information about the overall morphology of the 

film, often require deuteration of the sample, and are expensive and inefficient, atomic 

force microscopy (AFM) has emerged as the most widely used method for assessing LbL 

film structure (150, 156, 163, 174-176).  Enabling high-resolution characterisation of 

surface properties such as topography, roughness and mechanical modulus, atomic force 

microscopy (reviewed in (177)) involves scanning a nano-sized tip, which is attached to a 

cantilever, over a sample surface. Deflections in the cantilever are detected by reflecting 



32 

a laser from the cantilever tip to a photodetector. AFM can be operated in various modes, 

with the contact and tapping modes being the most commonly employed in characterizing 

multilayer film morphology and structure. In the contact mode, the tip scans the surface 

at a low force and is deflected by surface features and forces. Cantilever deflection is 

monitored and maintained at a constant via a feedback loop to keep the applied force at a 

preset value. In the tapping mode, the cantilever is vibrated at its resonance frequency 

whilst tapping the sample surface and a feedback loop maintains constant amplitude. 

Multilayer film mechanical properties, meanwhile, can be analyzed via AFM 

nanoindentation studies (178-181). 

 

The wide variety of techniques utilized to analyze LbL film properties reveal important 

information about the multilayer build-up process. More importantly, these methods 

allow for the detailed investigation of the many factors influencing LbL film formation, 

stability and resulting properties. 

 

2.3.3 Film Growth and Influencing Factors: 

The mass and thickness of multilayer films can grow either linearly or “exponentially” 

with the number of deposited bilayers, depending upon a number of factors.  Linearly 

growing films are generally formed from strong polyelectrolytes with a high charge 

density, such as poly(4-sodium styrene sulfonate) (PSS) and poly(allylamine) (PAH), 

which lead to films consisting of relatively immobile polymer chains with only small 

interdigitations between layers (126, 182, 183). These linear films thus tend to be thinner, 

more mechanically rigid, and less permeable. Exponential multilayers, by contrast, tend 
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to be formed from weaker polyelectrolytes, especially biopolymers such as proteins and 

polysaccharides, and tend to be significantly thicker, more visco-elastic, and somewhat 

more permeable (184, 185).   

 

“Exponential” multilayer growth, as proposed by the model developed by Lavalle and 

colleagues (184, 186), appears to be due to diffusion of one or more of the 

polyelectrolytes into and out of the film system.  As an example, consider the 

poly(lysine) (PLL) and hyaluronic acid (HA) system, where PLL is the freely diffusing 

polyelectrolyte and HA can only interact with the outermost layers during a deposition 

step. When a negatively charged HA outer layer is brought into contact with a positively 

charged PLL solution, the PLL chains not only interact with this layer to adsorb and form 

PLL-HA complexes, but also diffuse down throughout the film. This free PLL interacts 

weakly with the film matrix and may even exchange with some of the bound PLL within 

the film. PLL diffusion into the film stops as the PLL-HA complexes that form at the film 

surface invert the surface charge thus creating an electrostatic barrier. When a buffer 

solution is introduced in the rinsing step, some of the free PLL diffuses back out. 

However, as this diffusion lowers the chemical potential inside the film, which in turn 

increases the height of the electrostatic barrier to be overcome by the remaining PLL 

chains, not all the free PLL leaves the film. As the oppositely charged HA solution is 

brought into contact with the film for the next deposition step, the electrostatic barrier is 

removed, and some of the free PLL left within the film diffuses out to interact with the 

HA at the film/solution interface. Thus the HA that adsorbs in this step is not only 

proportional to the amount of PLL adsorbed in the last step, but is additionally dependent 
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upon the amount of free PLL that diffuses to the film surface. This, in turn, is related to 

the total thickness of the film. The mass increase of the film thus increases with total film 

thickness, becoming “exponential”. 

 

While it is difficult to predict which growth regime will characterize a given 

polyelectrolyte pair, in general, linear film growth is associated with strongly interacting 

polyelectrolytes which are highly exothermic, while exponential growth is linked to more 

weakly interacting polyelectrolytes which are endothermic or weakly exothermic (187, 

188). However, most polyelectrolyte systems can be made to transition from linear to 

exponential growth, or vice versa, given the right conditions. For example, linear films 

can be made to grow exponentially with an increase in solution salt concentration and 

many exponentially growing films transition to linear growth once a certain critical 

number of deposited bilayers is reached (175, 189).  Many factors influence the strength 

of polyelectrolyte interactions and thus whether a film system grows linearly or 

exponentially, including polymer charge density, the concentration and type of counter 

ions present in the depositing and rinsing solutions, the deposition time and temperature, 

solvent quality, and solution pH (174, 175, 190-195). 

 

The presence of salt ions in LbL deposition and rinsing solutions strongly influences the 

formation and resulting properties of multilayer films. The addition of salt in the 

deposition solution screens charges on the polyelectrolyte chains, minimizing repulsion 

interactions within chains and thus leading to chain coiling (175). These coiled chains 

adsorb in extended ‘loopy’ conformations which allow for greater polyelectrolyte surface 
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density and thus thicker and rougher films (156, 175). Film thickness tends to increase 

proportionally to salt concentration, reaching a maximum at an optimal concentration 

which depends upon the given salt-polyelectrolyte system (191, 196). The species of salt 

ions used also affects LbL film formation, with multilayer thickness generally varying as 

Li+<Na+<K+ and F-<Cl-<Br- (190, 197). Generally, ions characterized by smaller and 

weaker hydration shells interact more strongly with polyelectrolytes, promoting chain 

coiling and thicker and rougher films (198). 

 

Polyelectrolyte structure, molecular weight and charge density also play important roles 

in determining multilayer properties. For most polyelectrolyte systems there is a 

minimum charge density required for LbL film formation (160, 193, 194). Charge density 

in strong polyelectrolytes is determined by chemical structure alone, while for weak 

polyelectrolytes, such as polysaccharides and proteins, charge density is also highly 

dependent upon the solution pH. Generally, fully charged polyelectrolyte chains adsorb 

in a flat, spread out conformation due to intra-chain repulsion and increased chain-surface 

interactions, thus leading to thinner films. In this fully charged state, molecular weight 

appears to have little effect on film thickness for many polyelectrolyte systems (174).  

Meanwhile, less charged polyelectrolytes tend to coil and adsorb as thicker layers, with 

increased molecular weight, in this case, leading to thicker films (174, 199).    

 

While the broad range of factors influencing the formation and properties of LbL films 

may seem daunting, it also provides a great flexibility for multilayer design, enabling 

fine, nano-scale tuning of film features.  By carefully selecting the polyelectrolytes used, 
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and the layer architecture and preparation conditions employed, multilayer films can be 

designed for a wide variety of biomedical applications, including modifying cellular and 

protein adhesion, and tunable drug, protein and gene delivery.  

 

2.3.4 Cellular and Protein Adhesion on LbL Films: 

Protein and cellular adhesion are the first events that occur upon biomaterial 

implantation, influencing all subsequent host-material interactions, including coagulation, 

inflammation, and implant integration. Specific promotion or inhibition of protein and 

cellular surface adhesion is thus crucial for various biomedical applications. Cellular 

adhesion has been found to be influenced by material surface properties such as 

chemistry, hydrophobicity/hydrophilicity, topography and mechanical modulus (200). 

The ability to finely tune film properties thus makes LbL deposition an attractive 

technique for the fabrication of cell-resistant and cell-promoting films and implant 

coatings. 

 

Cell adhesion on polyelectrolyte multilayers is dependent upon a wide variety of factors, 

including the specific cell-type under investigation, the polyelectrolyte species employed, 

and film properties such as surface roughness, stiffness, swelling behaviour, water 

content, hydrophobicity/ hydrophilicity, and the charge of the terminating layer (181, 

201-207). Although it is difficult to separate the effects of individual factors, generally, 

increasing layer rigidity tends to increase cellular adhesion.  Thin, dense, linearly-

growing films, such as PSS/PAH, tend to be more cell-adhesive than thicker, highly 

hydrated, exponentially growing films, such as those composed of polysaccharides (159, 
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181, 203, 205). However, when thick viscoelastic films, such as those composed of 

PLL/HA and CHI/HA, are chemically cross-linked they become more rigid and exhibit 

increased cell attachment and spreading (180, 204, 208). Similarly, varying the ionic 

architecture and thus the hydration/swelling behaviour of PAH/PAA films was found to 

vary fibroblast adhesion properties, with lightly ionically cross-linked films exhibiting 

more swelling and cytophobicity, while more tightly ionically linked films were 

cytophilic and more resistant to swelling (205).  Thus modulation of film mechanical 

properties, either during film formation via control of deposition solution pH and ionic 

strength, or post-assembly via chemical or photo-crosslinking, is one of the most 

common means of promoting cellular adhesion. Multilayer films can also be made more 

cell adhesive by adding extracellular matrix proteins, such as collagen, fibronectin, or 

vitronectin as a terminal layer (209), or by chemically grafting peptide sequences (e.g. 

RGD) which interact with cell adhesion receptors to the film surface (210, 211).  

 

On the opposite end of the spectrum, multilayer films that resist cellular and protein 

adhesion have been developed for anti-fouling, immunocamouflage, and anti-

thrombogenic applications. Many of these protein-resistant film systems utilize 

poly(ethylene glycol) (PEG), a highly hydrated polymer used since the 1990s to 

minimize surface protein adhesion (212), either by depositing a terminating PEG layer at 

the multilayer surface (213), or by using PEG-grafted polymers within the film 

construction (214). For example, our group employed the latter strategy to develop a LbL 

coating consisting of PLL-graft-PEG, alginate, and chitosan-graft-phosphorylcholine that 

was able to successfully coat and immunocamouflage live red blood cells, preventing 
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antibody-binding while preserving cell viability and function (215, 216). Various 

adhesion-resistant, non-PEG based film systems have also been investigated, particularly 

as anti-thrombogenic coatings. Several groups have shown that LbL polyelectrolyte films 

containing CHI, HA, albimum, heparin, or dextran can increase the resistance of the 

underlying substrate to blood coagulation (217-219), while our group has demonstrated 

that CHI/HA multilayers can be used to coat arterial walls and reduce platelet adhesion 

(220).  

 

2.3.5 Multilayer Films for Biofactor Delivery: 

The design flexibility of polyelectrolyte multilayers offers a number of advantages for 

controlled delivery of drugs, growth factors and genes. Biofactors can be incorporated 

within polyelectrolyte films or capsules as one of the components during LbL deposition, 

via covalent attachment, or loaded into the film or capsule post-assembly (e.g. via a pH 

gradient or electrostatic interactions). The loading concentration can be carefully 

controlled via the number of factor layers integrated within the film, as well as the 

deposition conditions employed.  The mild processing conditions utilized during LbL 

deposition preserve both the bioactivity of the incorporated factors, for example, 

maintaining protein growth factor structures close to native conformations (221), as well 

as the properties of the underlying substrate, thus enabling controlled release from a 

wider array of materials and architectures. Most importantly, the layered nature of 

polyelectrolyte films allows for fabrication of multi-stage constructs which enable 

sequential release of multiple factors. 
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Depending on the nature of the biofactor to be delivered and the polyelectrolytes 

employed, factor release can be mediated by passive diffusion through the film, film 

degradation, or a combination of both.  Release of low molecular weight compounds 

tends to be diffusion controlled with the rate of diffusion dependent upon the internal 

structure and porosity of the film (123, 222).   Delivery of larger species such as proteins, 

on the other hand, is generally governed by the degradation rate of the film system rather 

than passive diffusion (223). The delivery kinetics of single or multiple proteins and/or 

genes from multilayers can thus be controlled via selection of PEs with specific 

biodegradation rates, for example utilizing hydrolytically or enzymatically degradable 

polymers, or by varying the number of deposited biomolecule layers, or via altering their 

respective embedding depths. Chemically cross-linking the polyelectrolyte layers with 

gluteraldehyde or carbodiimide (224, 225) is another popular strategy for tuning film 

degradation rate and thus biofactor release. However, these cross-linkers can have 

cytotoxic effects or potentially alter the structure of the biomolecules being delivered and 

must therefore be used with care. Alternatively, overall film degradation kinetics can be 

varied by blending PEs with different degradation rates (226).  

 

Multilayer film diffusion and degradation can also be designed to be stimuli-responsive, 

enabling environmentally triggered “smart” delivery. As LbL formation, particularly 

involving weak polyelectrolytes, is highly sensitive to solution pH and ionic strength, 

films can be designed to respond to changes in their strength, such as the change in pH 

that occurs between the stomach and intestine. When at least one of the constituent 

polyelectrolytes is a weak polyacid or base, changes in pH alter the degree of 
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protonation/deprotonation within the film allowing for control of film permeability and 

swelling behaviour, and thus biofactor release (227-229). Alternatively, polyelectrolytes 

that hydrolyze above a critical pH can be employed to enable triggered film degradation 

(230, 231).  Polyelectrolyte films can also be engineered to degrade or become more 

permeable in response to changes in temperature (232, 233), or the presence of light 

(234), or mechanical (235, 236), electrochemical (237, 238), and biological (239) stimuli. 

  

Polyelectrolyte multilayer films and capsules have been designed for the delivery of a 

wide variety of drugs and proteins.  Since the first LbL system delivering ibuprofen was 

developed (240), multilayer systems releasing dexamethasone (241), ampicillin (242), 

paclitaxel and tamoxifen (243), insulin (244, 245), and many other drugs have been 

investigated.   Protein growth factor delivery for a broad range of biomedical applications 

has also been explored. For example, delivery of bone morphogenic protein (BMP) -4 

and Noggin proteins embedded within PLGA/PLL films can induce or inhibit apopotosis, 

respectively, in a tooth culture system (246), while delivery of BMP-2 and TGFβ-1 from 

PLGA/PLL multilayers directed bone and cartilage differentiation of ES cells (247). 

Meanwhile, our group developed a core-shell nanoparticle system utilizing a LbL coating 

consisting of chitosan and alginate to successfully deliver BMP-7 in vivo enhancing bone 

regeneration in a rabbit model of distraction osteogenesis (248). 

 

 

2.3.6 LbL Systems for Gene Delivery: 
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Using similar strategies, polyelectrolyte multilayer films and core-shell nanoparticles 

have also been widely used for gene delivery applications. Naked plasmid DNA, PEI- 

and cyclodextran- complexed plasmids, and adenoviral vectors have been incorporated 

into a variety of polyelectrolyte multilayer designs (reviewed in (124)), which have 

demonstrated successful transfection of many cell lines and primary cell types in vitro. 

Like proteins, DNA does not appear to diffuse readily through multilayer systems, thus 

necessitating the use of hydrolytically and/or enzymatically degradable polymers, or 

films engineered to degrade in response to environmental stimuli, as described 

previously. As in the case of drug and protein delivery, careful selection of the PEs used 

and the layer architecture and chemistry employed enables both the tailoring of release 

kinetics and sequential delivery of several different genes (226, 249).  

 

The Voegel and Jessel group has done extensive work on 2D LbL film-based gene 

delivery, examining numerous different combinations of gene delivery vectors, 

polyelectrolytes and multilayer architectures for controlled transfection of a variety of 

cell types. PLL/PGA, CHI/HA, PAH/PSS, and PLL/HA multilayer films have been used 

to deliver PEI-condensed plasmids (250), pyridylamino cyclodextrin complexed plasmids 

(249), or adenoviral vectors (251) to several different cell lines (BHK-21, Huh-7, heLA, 

NIH3T3, COS, CHO) and primary cells (hMFs). While results varied greatly between 

systems, generally, lower transfection levels were observed when the vector was 

embedded under greater numbers of PE bilayers, and an increase in the number of vector 

layers led to an increase in transfection efficiency (249-251). Interestingly, certain 

polyanions were found to interact with and destabilize PEI-DNA polyplexes, which was 
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reflected in the observation that Huh-7 cells could only be transfected from CHI/HA 

films or PLL/PGA and PAH/PSS architectures which sandwiched the PEI-DNA layer 

between layers of HA (250). Pyridylamino cyclodextrin complexed plasmids embedded 

within PLL/PLGA multilayers displayed the highest transfection efficiencies for CHO, 

COS and macrophage cells; in fact, exhibiting efficiencies far greater than those observed 

with media delivered FUGENE or calcium phosphate control vectors (249).  Transfection 

in this system was not due to passive plasmid release, as there was no significant plasmid 

release from multilayer films incubated in media for up to 6 days, but appeared to be 

mediated by direct cellular contact. Most importantly, by varying the film layer 

architecture (i.e. the order in which the plasmids were embedded) sequential transfection 

and thus production of different proteins (both nuclear and cytoplasmic) by COS cells 

could be achieved over a time scale of 2 to 8 hours (249).     

 

As an alternative to embedding viral and non-viral gene delivery vectors within 

multilayer films, naked plasmid DNA can be directly used as the anionic species for LbL 

assembly, alongside degradable cationic polymers. For example, Lynn and colleagues 

built polyelectrolyte multilayers from a synthetic hydrolytically degradable cationic 

polyamine (“polymer 1”) and naked plasmid DNA encoding EGFP or RFP (252), which, 

used alone or as a stent-coating, could transfect COS cells in vitro with efficiencies of ~ 

18% and ~4%, respectively (253, 254). Atomic force microscopy and confocal laser 

scanning microscopy analysis suggested that the DNA/polymer layers re-arranged 

themselves to present surface-bound condensed DNA nanoparticles ~50-400 nm in 

diameter (253, 254).  Naked plasmid DNA-based LbL multilayers have also been 
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constructed using chitosan (255), galactosylated chitosan (256), poly(2-aminoethyl 

propylene phosphate) (257), and reducible hyperbranched poly(amido amine) (258) as 

the cationic PEs, with similar film surface rearrangements into nanoparticle complexes 

observed in most cases.  As these plasmid-cationic polymer films degrade in vitro, these 

complexes are released, as verified via electrophoresis and TEM (255-257), and are 

thought to act like other typical cationic gene delivery vectors. Interestingly, the 

galactosylated chitosan-based films were designed for cell-specific transfection, as the 

galactose group is a specific ligand for the ASGP-R receptor on hepatocytes. This 

hepatocyte-specificity was achieved, with films constructed with greater levels of 

galactose substitution exhibiting an increasing transfection level in HepG2 cells, 

compared to chitosan alone, and with no increase in transfection shown in 293T kidney 

cells (256).  

 

The great potential of LbL films for inductive tissue engineering and bioimplants has 

been recently demonstrated by several groups which have successfully extended 

multilayer gene delivery to in vivo applications. Blacklock and colleagues, for example, 

have utilized films composed of hyperbranched poly(amido amine) and plasmid DNA 

encoding secreted alkaline phosphatase (SEAP) to coat thin stainless steel meshes, which, 

when implanted subcutaneously in rats, demonstrated in vivo gene transfection activity 

via increased secretion of SEAP in the circulation (258). Meanwhile, the Lynn group has 

applied their previously discussed “polymer 1” system alongside plasmid DNA encoding 

either EGFP or β-galactosidase as a coating for inflatable embolectomy catheter balloons 

and has shown that the resulting balloon system was able to transfect cells in vivo in a rat 
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arterial injury model (259). LbL deposition thus holds great promise for enabling the 

controlled delivery of genes, and other bioactive molecules from three-dimensional 

scaffold surfaces. 

  

2.3.7 Multilayer Films for Coating of 3D Scaffolds: 

Over the last few years, polyelectrolyte multilayers have begun to be used as surface 

coatings for inductive 3D tissue engineering scaffold systems. The first studies expanding 

LbL deposition to tissue engineering applications explored coating 3D polymer scaffolds 

and hydrogels to improve biocompatibility and cell-adhesion properties. LbL deposition 

of PEI and gelatin onto poly(DL-lactide) scaffolds, for example, improved in vitro 

MC3T3 cell adhesion (260, 261), while chondroitin sulfate/collagen I multilayers 

deposited onto poly(L-lactic acid) (PLLA) scaffolds improved in vitro chondrocyte 

attachment, proliferation, and GAG synthesis (262). Similarly, PLL/HA multilayers 

formed on photo-crosslinked HA hydrogels modified gel swelling and mechanical 

properties and resulted in increased fibroblast cell adhesion and spreading (263). Using a 

slightly different approach, the Kotov group formed multilayers consisting of 

poly(diallyldimethylammonium chloride) and clay nanoparticles on poly(acrylamide) 

scaffolds to promote cell adhesion, and used the resulting scaffolds for the co-culture of 

adherent human thymic epithelial cells and non-adherent premyelote monocytes (264). 

 

Inductive tissue engineering systems utilizing LbL films for controlled protein growth 

factor or gene delivery are also beginning to be developed.  For example, electrospun 

PLLA fibrous mats coated with multilayer films formed of PEI and plasmid DNA 
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encoding luciferase demonstrated in vitro transfection of COS cells, with increasing 

levels of transfection found with time as well as increased bilayer number  (265). 

Meanwhile,  3D printed β-tricalcium phosphate/polycaprolactone scaffolds were coated 

with LbL films consisting of a poly (β-aminoester) (“poly 2”), chondroitin sulphate (CS), 

and BMP-2 in a [poly2/CS/BMP-2/CS]100 architecture, resulting in a system that released 

approximately 10 µg of BMP-2 protein over a period of 2 weeks (266). When implanted 

intramuscularly in rats, the inductive LbL scaffold system successfully induced in vivo 

bone formation, as assessed 4 and 9 weeks post-implantation (266). Although these 

preliminary studies have demonstrated the great promise of LbL assembly for use in 

inductive 3D scaffolds, much work remains to be done in the detailed scaffold-wide 

characterization of these films and in extending this technique to more complex scaffold 

architectures. 
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2.4 Assessing Tissue Growth in Scaffolds  
 

2.4.1 Principles: 

Progress in the field of inductive tissue engineering will not only involve the 

development of scaffold systems that localize and control the delivery of genes and other 

biofactors, but also requires technologies which can accurately visualize and analyze 

engineered tissue growth and health in real time and three dimensions (3D). Ideally, these 

tools will enable non-invasive, repeated measurement of engineered tissue structure and 

function down to a cellular level, making possible the examination of interactions 

between cells, biomolecules and scaffolds. Assessment of in vitro engineered tissues 

requires accurate monitoring of tissue growth, morphology, viability and bioactivity over 

time within 3D constructs.  This challenge becomes even greater when one considers the 

thickness of the tissue constructs, the wide variety of cell types and scaffolding materials 

involved, and the need for high imaging resolution.  

 

As no one method can currently meet all the criteria required for real-time, non-invasive, 

label-free, high resolution 3D scaffold imaging, a combination of different techniques is 

typically used to evaluate various aspects of engineered tissue structure and health. The 

majority of these procedures are those traditionally associated with conventional tissue 

biopsy characterization and involve destructive end-point tests, such as histology, 

immunohistochemistry, and biochemical assays (reviewed in (267)).  These traditional 

techniques generally require the use of staining agents and sample processing, thus 

proving labour-intensive and expensive, as well as preventing time-course studies. The 
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few techniques that do allow real-time monitoring, such as confocal microscopy, are 

either limited in imaging penetration depth to several hundred micrometres and/or require 

fluorescent labelling. In order to overcome these limitations, a variety of spectroscopy 

and clinical imaging techniques are currently being adapted and investigated for non-

invasive 3D monitoring of tissue engineering constructs (reviewed in (268, 269)).  

 

2.4.2 Histology and Immunohistochemistry Techniques: 

Histology and histochemistry enable the visualization of tissue structural details by 

utilizing dyes to increase contrast and localize known biomolecules (270). Histological 

preparation involves sectioning tissue samples into thin slices for staining and subsequent 

imaging via microscopy.  Samples are first flash frozen in liquid nitrogen or chemically 

fixed using agents such as formalin/formaldehyde, gluteraldehyde, or methanol to 

preserve tissue structures and molecular information (271). After chemical fixation, tissue 

samples are dehydrated (e.g. via an ethanol series) and infiltrated with an embedding 

medium such as paraffin wax or resins. Embedding media provide the tissue with a solid 

matrix that enables thin sectioning while still being soft enough not to modify tissue 

structures or damage the cutting blade. During the freezing process, flash frozen tissues 

are also often immersed in a freezing/embedding solution, such as OCT (Optical Cutting 

Temperature) medium, which consists of a mixture of polyethylene glycol and polyvinyl 

alcohol, or a solution of gelatine and sucrose. However, ice itself can act as an embedding 

medium, enabling cryomicrotome sectioning while causing minimal damage to tissue 

morphology (271).  In both cases, tissue sections approximately 5 to 10 µm in thickness 

are typically sliced from the sample via microtome or cryomicrotome onto glass slides 
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for further staining and visualization. Generally, sample fixation combined with paraffin 

embedding is preferable for traditional histological staining as it maintains overall tissue 

structure best, while flash freezing is preferable for immunohistochemistry as it better 

preserves the molecular state of the tissue.   

 

As tissues do not naturally exhibit inherent contrast when observed via traditional light 

microscopy, numerous histological stains have been developed that enhance contrast and 

specifically stain various tissue components (270, 271). One of the most widely 

employed histological stains in tissue microscopy is the dual hematoxylin and eosin stain. 

Hematoxylin acts like a basic dye and stains acidic or basophilic structures a blue/black 

colour, such as the cell nucleus, and organelles that contain RNA, like ribosomes and the 

rough endoplasmic reticulum.  Eosin is an acidic dye which is reddish/pink in colour and 

stains basic or acidophilic structures such as the cytoplasm and extra cellular matrix 

fibres.  Another commonly used stain is Masson’s Trichrome, a three colour stain which 

labels keratins and muscle fibres red, collagen and bone blue/green, cytoplasm pinkish, 

and nuclei brown/black. A wide variety of other histological stains have been developed 

to selectively stain tissues, cells and their components, such as Oil Red O and Sudan 

Black for lipid deposits, Alizarin Red for calcium, and Alcian Blue for mucins and 

glycosoaminoglycans.  

 

Immunohistochemistry enables more specific identification and visualization of cellular 

phenotype and tissue constituents than traditional histological staining by utilizing 

specific antibody-antigen binding. A detection antibody is conjugated to a marker, such 
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as a fluorophore, enzyme, or colloidal metal, which thus localizes the labelling to cells 

expressing a specific antigen. This labelled detection antibody can either be the primary 

antibody which specifically binds to the antigen of interest, or can be a secondary 

antibody which binds to an unlabeled primary antibody.  While direct detection via a 

primary antibody is the simplest immunohistochemical technique, indirect detection via a 

labelled secondary antibody is often employed due to enhanced sensitivity and signal 

(270, 271). In both cases, immersion of samples in a blocking solution, such as the serum 

of a species unrelated to those of the antibodies and antigens in use, is necessary in order 

to minimize non-specific antibody binding and background staining.  Imaging of the 

immunohistochemical stain is subsequently performed via light, fluorescence or confocal 

microscopy depending upon the specific label used and the tissue under investigation. 

 

2.4.3 Microscopy Techniques: 

While conventional light, phase and fluorescent microscopy enable visualization of cells 

cultured on transparent surfaces and of tissue sections which have been histologically or 

immunohistochemically stained, the limited penetration depth of these techniques 

restricts their use largely to 2D applications.  Accurate monitoring of in vitro engineered 

tissue structure and function requires imaging of thicker tissue samples and, ideally, 3D 

sample scanning. Stereological approaches can be applied to stacks of traditional 2D 

microscopy images taken from consecutive histological slices in order to yield 3D 

structural information about tissue samples (reviewed in (272)). However, these 

techniques are limited by loss of information between tissue slices and possible artefacts 

introduced during sample fixing, embedding, and sectioning.  More sophisticated 
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microscopy techniques, such as confocal, multiphoton and scanning electron microscopy, 

have thus been employed to image engineered tissues (reviewed in more detail in (268, 

269)).    

 

Although confocal laser scanning microscopy (CLSM) provides an imaging resolution 

similar to that of conventional microscopy, it enables optical depth-sectioning and thus 

3D imaging, making it one of the most commonly used techniques to assess engineered 

tissue structure. The light source used in standard microscopes illuminates the whole 

sample region in the field of view, thus light interacts with and scatters throughout the 

sample resulting in detection of light from multiple planes. By contrast, confocal 

microscopes focus light on a specific point within a sample via a short wavelength laser 

light source reflected from a dichromatic mirror. The light reflected, scattered or emitted 

(i.e. due to excitation of a fluorophore within the sample) from this point in the specimen 

is then collected through a pinhole-sized aperture by a detector. The light source, 

illuminated sample point, and detector aperture are in an optically conjugate ‘confocal’ 

plane, thus allowing for collection of light from this specific focus plane and rejection of 

light from all other planes (273). The size of the pinhole can be adjusted to regulate the 

amount of light from other vertical planes that is rejected, thus helping to determine the 

optical sectioning thickness (or “z resolution”) alongside the numerical aperture of the 

objective lens, wavelength of the excitation and emission light, and refractive index of 

the sample. Scanning the laser excitation point across the sample plane using a 

combination of mirrors enables a 2D image to be obtained, while vertical focusing allows 
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for optional sectioning of the sample. By stacking 2D confocal images, CLSM can 

produce 3D volume images of the tissue sample. 

 

Reflectance-based confocal microscopy can be performed without the addition of 

exogenous labels by depending entirely upon endogenous light scattering within the 

tissue sample. Images of human tissues at subcellular resolution have been achieved 

using this reflectance-based mode at penetration depths of up to 300 µm (274). However, 

visualization of internal cellular morphology with high contrast is difficult using 

reflectance-based confocal imaging, and it is not possible to assess cell viability or 

function. CLSM imaging with enhanced levels of detail and biochemical information 

requires the exogenous addition of fluorescence-based dyes and labels, or endogenous 

expression of fluorescently-modified proteins. Fluorescence-based confocal microscopy 

is thus often limited by factors such as background autofluorescence from scaffolding 

materials or tissue constituents, the end-point nature of immunohistochemical labelling, 

or the need for utilization of genetically modified cells which express fluorescently-

labelled proteins. The penetration depth of both modes of confocal imaging depends upon 

the desired resolution, the optical objectives used, the optical properties of the tissue 

sample, and the level of signal available for detection. Generally, light penetration into 

tissue engineering scaffolds, particularly polymeric and composite systems, is somewhat 

restricted due to the optically dense nature of the overall construct, resulting in typical 

imaging depths limited to around 100-300 um (269). 

 



52 

Multiphoton laser scanning microscopy (MPLSM) utilizes nonlinear optical adsorption 

and scattering interactions to enable 2D and 3D imaging at greater penetration depths 

than confocal microscopy. Maintaining submicron imaging resolutions similar to that of 

CLSM, MPLSM can achieve penetration depths of up to 1 mm in certain tissues (275, 

276), although ranges of about 400-500 µm are more typical (277, 278). A high-energy 

wavelength-tuneable pulsed laser source is employed in MPLSM to excite fluorescent 

proteins and dyes within a tissue sample via simultaneous adsorption of two or more near 

infrared (IR) photons.  This nonlinear excitation results in the fluorescently emitted 

photons having shorter wavelengths, and thus higher energies, than each of the incident 

photons, allowing for more efficient separation of the excitation and emission spectra of 

the sample via optical filters. MPLSM does not require the detection pinholes used in 

CLSM and is therefore characterized by simpler and more efficient signal detection and 

an improved signal to noise ratio. Another important advantage of MPLSM compared to 

CLSM is reduced photo-bleaching and photo-damage to samples (279). The main 

disadvantage to multiphoton imaging is the requirement of an expensive laser system and 

the need for environmental control (e.g. temperature and humidity) for proper system 

alignment and operation. Also, as in the case of confocal microscopy, MPLSM still 

generally requires the use of endogenous fluorescent labels and dyes, or the endogenous 

cellular expression of fluorescently labelled proteins. In certain cases, however, a variant 

of multiphoton microscopy known as second harmonic generation (SHG) can be used to 

image autofluorescence due to a variety of extracellular matrix (ECM) proteins and can 

thus enable label-free, in situ imaging of ECM structures in tissue engineered constructs 

as well as in vivo tissues (reviewed in (280)). 
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Scanning electron microscopy (SEM), while limited to sample surface imaging, is 

another commonly used technique in assessing engineered tissue structure.  Typically 

employed to characterize the surface structure of biomaterials and tissue engineering 

scaffolds pre- and post- cell seeding, SEM imaging can achieve extremely high resolution 

imaging, on the order of 1 to 5 nm, and magnification ranges of 5 to 250,000 times (281, 

282). In place of light, a beam of high energy electrons is used to bombard the sample 

under vacuum conditions, resulting in the release of secondary electrons, backscattered 

electrons, x-rays and photons from the surface. These surface emitted species are detected 

and analyzed to generate a topographical surface image and to reveal information about 

sample composition and features (282).  The sample preparation required for SEM 

imaging is quite destructive, involving dehydration and surface coating with a metal such 

as gold to create a surface capable of generating detectable emissions, thus possibly 

creating processing artefacts and limiting the technique. 

 

2.4.4 Biochemical Assays: 

In addition to imaging macro- and micro-structural details, it is important to evaluate the 

health and function of engineered tissues. A wide variety of biochemical assays based 

upon colorimetric, histological and other methods are typically used to analyze cellular 

viability, proliferation, and phenotype, as well as tissue composition. While bioassay 

techniques based upon histochemical and immunohistochemical techniques, which work 

as described above, enable visualization of biochemical information within the tissue 

structure, colorimetric assays quantify the amount of a particular substance within the 
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sample. The optical absorbance or fluorescence of a sample solution is measured via a 

spectrophotometer or fluorimeter, respectively, and is correlated to the concentration of 

the substance of interest (283).  The absorbance or fluorescence of the sample solution 

varies with concentration either due to the inherent optical properties of the species of 

interest, such as DNA absorbance at 260 nm, or due to labelling or reaction of the species 

with an indicator, as in enzyme-linked immunosorbent assays (ELISA), for example, 

where a protein of interest binds to an enzyme-conjugated antibody (283).  By using a 

calibration curve derived from measurement of a series of solutions of known 

concentration at the wavelength of maximal adsorption or appropriate fluorescent 

emission, the sample solution concentration can be determined.  

 

A wide variety of cellular viability and proliferation assays are employed to evaluate 

tissue growth and health within scaffold systems. Some of the more basic methods 

enumerate the total number of cells within a tissue sample as a measure of proliferation, 

typically by utilizing a simple DNA binding dye such as PicoGreen or Hoescht.  

Picogreen is a fluorescent marker that binds to double-stranded DNA and which is used, 

following cell lysis, to measure total DNA concentration via fluorimetry (284).  Although 

less sensitive than Picogreen, as it binds to double and single stranded DNA as well as 

RNA, Hoechst is a cell permeable fluorescent dye which can be used with live or dead 

cells. Commonly used to label the nucleus of cells in tissue sections, Hoechst staining is 

widely used in fluorescence and confocal imaging (285). While software can be used to 

enumerate the number of Hoescht stained cells in microscopy images, Hoescht dye can 

also be used alongside fluorimetry as a colorimetric means of determining total DNA 



55 

content within a sample. Alternatively, many popular colorimetric and histochemical 

assays utilize cellular metabolic activity, membrane integrity, or DNA damage as a 

means of evaluating cellular viability (reviewed in (286)). 

 

Cellular reduction of tetrazolium salts such as MTT, XTT and WST-1 into formazan 

dyzes is the most commonly used method for determining the number of metabolically 

active cells within a sample (287-290). MTT, or 3-(4,5-dimethylthiazol-2-yl)-2,5-

diphenyltetrazolium bromide, for example, is metabolized within cells to form insoluble 

purple fomazan crystals, which can be solubilised following cell lysis and used to assess 

the number of viable cells by measuring sample adsorbance via spectrophotometry and 

comparison to a standard curve (287, 288).  While MTT requires cell lysis and thus can 

only be used as an end point assay, XTT and WST-1 produce water-soluble formazan 

crystals and can thus be used for repeated measures (289, 290). In all cases calibration is 

crucial, as metabolic activity can vary between cell types and with time for any given cell 

type thereby making direct correlations with viable cell numbers difficult. Thus 

colorimetric metabolic assays are best for comparisons with a control population.   

 

Live/Dead staining is a popular histochemical method for evaluation of cellular viability 

within tissue sections (291, 292). As its name suggests, the technique uses two 

fluorescent dyes to separately label live and dead cells and is imaged via fluorescence or 

confocal microscopy. Membrane permeable calcein AM is cleaved by metabolically 

active cells to form the fluorescent form of calcein which emits at approximately 500 nm.  

Ethidium bromide is non-cell-permeable and thus only enters dead or damaged cells 
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where it binds to nucleic acids and fluoresces at around 530 nm.  Since calcein labelling 

depends upon metabolically viable cells, Live/Dead staining cannot be used with 

embedded and sectioned tissue samples.   

 

Sophisticated DNA labelling techniques such as BrDU incorporation and TUNEL 

staining can be used to visualize and assess cellular proliferation and apoptosis, 

respectively, within tissue engineered constructs. Bromodeoxyuridine (BrdU) is a 

synthetic analogue to deoxythymidine and can be incorporated in its place within DNA 

during cellular proliferation. The presence of BrdU within cells which have proliferated 

can be visualized via immunohistochemical staining using labelled anti-BrdU antibodies 

(293, 294). Late stage cellular apoptosis is characterized by DNA damage which can be 

assessed via terminal deoxynucleotidyl transferase (TdT) dUTP nick end labeling 

(TUNEL) (295, 296). In TUNEL staining, the enzyme TdT mediates the incorporation of 

modified dedeoxyuridine triphosphate (dUTP) at DNA double strand breaks. These 

modified dUTPs can be conjugated directly to labelling fluorophores or to molecules 

which can be detected via antibody-antigen or biotin-streptavidin interactions, thus 

enabling immunohistochemical labelling of apoptotic cells. 

 

Evaluating the expression and distribution of specific phenotypic and functional markers 

and tissue constituents, such as extracellular matrix proteins, is also crucial in the 

assessment of in vitro engineered tissues.  The majority of these expression assays utilize 

variations of immunolabelling methods based upon antibody-antigen binding 

interactions. For example, immunohistochemistry coupled with microscopy techniques 
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can be employed to visualize the distribution of a panel of different protein species within 

a given tissue section. Meanwhile, the amounts of specific proteins within a tissue sample 

can be quantified using either enzyme-linked immunosorbent assays (ELISA), as 

mentioned above, or immunoblotting, which involves immunolabelling of proteins which 

have been separated by size via gel electrophoresis (297).  The number of cells within a 

tissue expressing a given set of markers can also be quantified using immunolabelling 

coupled with fluorescent activated cell sorting (FACS).  

 

FACS is a flow cytometry technique which measures the light scattering properties of 

individual cells within a fluid stream (298, 299). Cells suspended in a stream of ‘sheath’ 

fluid are carried to a flow cell where they are illuminated with a laser beam. Light 

scattering from these cells is detected by forward and side scattering detectors, termed 

FSC and SSC, respectively, and is used to determine the size and complexity of the cell. 

Fluorescence emitted from cells labelled with fluorescently-conjugated antibodies or cells 

modified to endogenously express fluorescent proteins can also be detected and used to 

quantify the number of cells expressing certain markers.  FACS can also be used to 

separate cells based on their fluorescence and light scattering properties, by breaking the 

fluid stream into a series of small droplets containing single cells, electrostatically 

charging these droplets, and using charged deflector plates to deflect the droplets into 

separate collectors. Although extremely useful for quantifying the number of cells 

expressing and co-expressing a wide variety of markers, FACS analysis requires cells to 

be dissociated from their scaffold and tissue, thus limiting the technique to destructive, 

end-point testing. 
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While the colorimetric, histochemical and immunoassays discussed above provide a 

wealth of information about cellular viability, proliferation and marker expression, they 

are also somewhat limited in their applications to analysis of tissue engineering 

constructs. The majority of these assays are destructive end point tests that require the 

addition of exogenous labels and stains as well as time consuming sample processing and 

calibration curves. In an attempt to overcome these limitations, there has recently been a 

move towards combining non-invasive spectroscopy techniques, which provide viability 

and/or biochemical data, with non-destructive microscopy and clinical imaging 

techniques. 

  

2.4.5 Spectroscopy Techniques: 

A variety of spectroscopy techniques have been investigated for monitoring tissue 

viability and biochemical information.  Appealing due to their non-invasive nature and 

lacking the need for the use of exogenous labels, these spectroscopy methods are only 

beginning to be explored for imaging of 3D tissue engineered constructs. Often these 

techniques are combined with more conventional microscopy or clinical imaging 

systems, enabling the biochemical data obtained via spectroscopy to be mapped to 

structural images of the tissue. To date, the most commonly studied spectroscopy 

techniques for biomedical applications include Fourier transform infrared (FT-IR) 

spectroscopy, Raman spectroscopy and its variant coherent anti-Stokes Raman scattering 

(CARS), and dielectric spectroscopy (reviewed in (268, 300-303)).  
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Fourier transform infrared (FT-IR) spectroscopy enables the non-invasive, label-free 

examination of tissue samples on a molecular level (reviewed in (300)). FT-IR 

spectrometers employ a broadband IR light source and a Michelson interferometer to 

reflect light from, or transmit light through, a sample and into detector. The IR light is 

adsorbed by chemical bonds within the sample, producing adsorption spectra which are 

distinctive of the specific molecules present.  IR spectra from each point within a sample 

are collected and a Fourier transform of the signals from the time to the frequency 

domain is performed. The resulting data are analyzed and used to determine the chemical 

composition of the sample.   

 

By coupling FT-IR spectrometry with a scanner and either focal plane array detection or 

linear array detection, 2D and 3D FT-IR image maps of sample chemistry can be 

produced.  FT-IR spectroscopy has been used to map the chemical composition of 

various tissue sections, including those from tumours (304), bone (305), skin (306), 

intestine (307), and liver (308).  Using serial tissue sections and software, 3D multivariate 

image maps can be created, as has been demonstrated for bone (309) and cervical tissue 

(310).  Although showing promise as a tool for assessing biochemical composition of 

tissue engineering constructs, FT-IR spectroscopy is limited by its thin penetration depth 

of several microns and the strong IR absorbance of water which can obstruct the signal 

related to certain cellular components in some conditions. FT-IR imaging in tissue 

engineering applications may thus be restricted to use with sectioned samples.  
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Similar to FT-IR spectroscopy, Raman spectroscopy utilizes the scattering interactions of 

near-IR light to yield information about the chemical composition of a tissue sample 

(reviewed in (301, 302)). In Raman spectroscopy, near-IR light from a laser is focused 

through a series of mirrors onto the sample where it excites molecules and looses energy. 

This interaction with the molecules within the sample causes a proportion of the light to 

shift in frequency (a ‘Raman shift’). The non-shifted fraction of the scattered light is 

filtered out by a notch filter and the remaining Raman-shifted light from the sample is 

passed on to the detector.  Analysis of the shifted signal reveals chemical information 

about the sample, since each chemical bond in a molecule results in distinctive frequency 

shifts in photons.  

 

Raman spectroscopy, like FT-IR, has been used to produce 2D and 3D maps of tissue 

chemical composition using sections from a variety of tissue and organs, including bone, 

skin, lung, breast, muscle, nervous and epithelial tissues (reviewed in (301, 302)). When 

coupled with optical microscopy, the superior resolution of Raman microspectroscopy 

enables single cell and sub-cellular analysis, facilitating discrimination between different 

cell states, such as differentiation, viability, or cancer phenotype. Raman spectroscopy 

provides a number of advantages over FT-IR since it is not affected by the presence of 

water and can offer superior spatial resolution due to the shorter wavelength lasers used 

(~ 1 µm for Raman compared to ~ 10 µm for FT-IR) (311, 312).  However, Raman 

spectroscopy is limited by its low sensitivity thus requires high powered laser sources and 

longer acquisition times which, in some cases, can be detrimental to live cell imaging. 
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Several methods to enhance Raman spectroscopy have been explored, with coherent anti-

Stokes Raman scattering (CARS) emerging as the most widely used. CARS is a non-

linear version of Raman spectroscopy which greatly enhances sensitivity by using three 

laser light beams, referred to as the probe, pump and Stokes beams, to illuminate the 

sample. The frequencies of the pump and Stokes beams must be tuned such that the 

difference between the two corresponds to the vibrational transition frequency of the 

molecule trying to be detected. If this vibrational resonance frequency is achieved, the 

target molecules in the probe volume (i.e. the focal point of the pump and Stokes beams) 

vibrate coherently, scattering the probe beam and resulting in an enhanced coherent 

signal with a higher frequency than the probe beam and much greater intensity than can 

be achieved with spontaneous linear Raman scattering (302, 303).  Although limited by a 

low penetration depth around 100 µm and requiring high concentrations of the molecule 

of interest for detection, CARS has been used to map the chemical composition of a 

number of tissues and cells, finding a particular niche in detecting lipids (reviewed in 

(302, 303)). Most importantly, preliminary studies coupling CARS with SHG two-photon 

microscopy have demonstrated 3D label-free, non-invasive imaging of cells in hydrogel-

like scaffolds (313, 314). The two-photon SHG mode was used to image the cellulose 

fibrous scaffolds, while the CARS mode was used to image MC3T3 murine pre-

osteoblasts (314) or human  smooth muscle cells (313) seeded in these scaffolds by using 

lipid as their chemical marker. 

 

In contrast to the previously discussed techniques which use optical spectra to obtain 

biochemical information, electrical impedance spectroscopy (EIS) uses the dielectric 
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properties of cells and tissues to assess morphological and physiological properties in a 

real-time, label-free, non-invasive manner. Also known as dielectric spectroscopy, EIS 

applies a defined alternating current to tissue samples and measures their frequency-

dependent changes in complex electrical impedance. The bioimpedance of cells and 

tissues is determined by the extracellular environment (e.g. ECM proteins), the 

capacitance of cellar membranes, and intracellular resistance. Indeed, cells consist of a 

conducting cytoplasm surrounded by a thin insulating membrane and can thus be 

modeled as an equivalent circuit composed of an effective membrane capacitance (Cm) 

and intra- and extra-cellular resistances (Ri and Re). Cells within a tissue therefore act as 

a network of capacitors and resistors which affect the overall impedance measurement. 

The dielectric properties of cells and tissues display frequency dependence, with low 

frequencies (<10 kHz) governed by membrane capacitance and thus yielding information 

reflecting cellular size and shape, and frequencies between 10 kHz and 100 MHz serving 

to short-circuit the membrane capacitance, allowing the external electric field to penetrate 

into the cell interior and yield data reflecting intracellular properties. 

  

Electrical impedance spectroscopy has been applied in a variety of biomedical 

applications and is starting to be explored in tissue engineering. Cellular adhesion, 

proliferation, differentiation and apoptosis on 2D electrode surfaces can be monitored 

using a variation on the EIS technique known as electric cell-substrate impedance sensing 

(ECIS) (315-320). Meanwhile, EIS can also be used to monitor 3D tissue growth and 

differentiation (321, 322). More importantly, electrical impedance tomography (EIT) is a 

technique that couples EIS to an array of electrode detectors in order to measure tissue 
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bioimpedance at various points and thus create 2D and 3D tissue impedance maps, and 

has found a variety of clinical applications (323-326).  Impedance spectroscopy is only 

beginning to be applied to tissue engineering applications and to date has been used to 

characterize scaffold structure (327) and to monitor cellular proliferation and 

differentiation in porous scaffold systems (328-330).  

 

2.4.6 Clinical Imaging Techniques: 

Recently, clinical imaging modalities have progressed from a non-invasive means of 

visualizing macroscale tissue morphology and anatomy towards higher resolution 

microscale imaging, with many even enabling tissue functional assessment. Although 

often offering poorer resolution than many of the microscopy techniques discussed 

above, clinical imaging techniques provide much greater imaging penetration depths and 

are often label-free, thus making them attractive methods for assessing engineered tissue 

structure. More importantly, many of these adapted clinical imaging tools can yield 

quantitative information about tissue viability, chemistry and mechanical properties. 

Amongst the clinical techniques currently being adapted for imaging of tissue 

engineering systems, the most widely employed are micro-computed x-ray tomography 

(µCT), magnetic resonance imaging (MRI), and optical coherence tomography (OCT).  

  

Widely used in tissue engineering scaffold characterization, x-ray micro-computed 

tomography (µCT) acquires high-resolution cross-sectional images based upon the 

physical density of materials, which are then used to generate 3D images and make 

quantitative measurements of structural properties (reviewed in (331-333)).  In µCT, 
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samples are irradiated by an x-ray beam which is attenuated as it passes through the 

sample and into the detector.  From the detector measurements, the x-ray paths are 

determined and a 2D image map of attenuation coefficients, which corresponds to 

material density, is generated (334). These 2D maps are then used to reconstruct a 3D 

image of the sample. Depending upon the system and set-up employed, µCT image 

resolution varies from less than 1 µm to 50 µm, with higher resolutions generating larger 

data sets and requiring longer imaging times (335). In the field of tissue engineering, 

µCT is mainly used to image 3D scaffold structure and to quantify scaffold surface area, 

porosity, pore size distribution and volume fractions (281, 336, 337).  µCT imaging is 

limited by the x-ray attenuation properties of the materials under investigation and is thus 

generally not used to image scaffolds containing cells, with the exception of those in 

bone tissue engineering, where mineralized bone provides high contrast (338-340). 

However, the addition of exogenous contrast agents such as osmium tetroxide and 

silicon-based Microfil has enabled some other tissues to be imaged such as vasculature 

and nervous tissues (341-344). Although extremely useful for scaffold structural 

characterization and the assessment of tissue engineered bone, µCT imaging is mostly 

restricted to end-point analysis in most areas of tissue engineering due to its use of 

ionizing radiation and need for contrast agent enhancement.  

 

Magnetic resonance imaging (MRI) provides 3D, non-invasive, deep tissue, high 

resolution imaging both in vitro and in vivo and is thus increasingly being applied to 

tissue engineering (reviewed in (345)). MRI measures changes in proton spin within the 

water of tissues inside a strong magnetic field, using a series of radiofrequency pulses 
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and magnetic field gradients to manipulate proton spin behaviour and for spatial 

localization.  These measurements detect differences in tissue hydration, the state of 

tissue water (e.g. freely diffusing vs. protein-bound), and nuclear magnetic resonance 

(NMR) relaxation times which are then mapped into MR images revealing tissue 

structure (346). Imaging resolutions of less than 100 µm can be achieved with MRI 

systems using 7-14 Tesla magnets and high magnetic field strengths, enabling tissue 

visualization down to nearly the cellular level (347-349). Addition of exogenous 

paramagnetic and superparamagnetic contrast agents can not only enhance intrinsic tissue 

contrast and track pre-labelled cells, but can also be used to map the biochemical and 

physiological state of tissues through the use of more sophisticated contrast agents 

(reviewed in (350)), such as those designed to be cell-permeable, ligand-targeted, or 

enzyme-responsive.  

 

MRI has been used to visualize and analyze tissue growth, composition and health in a 

variety of in vitro tissue engineering systems, including those aimed at regenerating bone, 

cartilage, bladder, and pancreas tissue (348, 351-354). More importantly, MRI is an 

invaluable technique for monitoring in vivo scaffold implantation and integration (355, 

356), and has even been used in human clinical trials to assess scaffold-mediated 

cartilage repair (357).  MRI can also be used to map the mechanical properties of tissues 

and tissue engineered constructs via magnetic resonance elastography (MRE) (reviewed 

in (358)). In MRE, a low frequency mechanical shear wave, generated by an 

electromechanical actuator, is applied to a tissue sample in synchronization with a phase 

contrast MRI pulse sequence (359). The resulting shear wave images are analyzed and 
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used to map tissue elasticity in 2D and 3D. To date, MRE has been used to assess 

changes in mechanical properties of tissue engineered bone and fat during in vitro 

development (348, 360), and is beginning to be applied in vivo (358). The main limitation 

in applying MRI techniques for tissue engineering assessment remains the high cost of 

imaging systems.  The need for contrast agents, which may have cytotoxic effects, for 

enhanced contrast and biochemical imaging also presents a few restrictions, although 

label-free MRI techniques for assessing cellular viability within scaffolds are currently 

under investigation (361). 

 

Optical coherence tomography (OCT) is a label-free, non-invasive, real time imaging 

technique which uses interferometry and differences in the light scattering properties of 

materials to generate 2D and 3D depth-resolved tissue images (362). In OCT, a low 

coherence near-IR light source is split into two paths, one directed onto the sample and 

the other to a reference mirror, via a beam splitter. Light scattered by the sample arm is 

recombined with light from the reference arm and the resulting interference signal is 

detected and analyzed. By transversely scanning the sample beam, a 2D image map of 

backscattered light intensity, and thus tissue contrasts, can be formed and used to 

generate 3D images. Typical OCT imaging resolution is around 10-15 um at tissue 

penetration depths of several millimetres (363, 364).  However, by utilizing high 

numerical aperture objectives in an OCT variant known as optical coherence phase 

microscopy (OCPM), imaging resolution can be enhanced to enable single cell mapping 

and the detection of nanometer-level detail (365, 366).   
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In tissue engineering, OCT imaging and its variants have shown great promise in 

enabling both structural and functional tissue assessment (reviewed in (367)). OCT has 

been used to characterize scaffold architecture and porosity (368, 369) as well as to 

monitor tissue seeding, growth, migration and structure within hydrogels and scaffold 

systems (367, 368, 370, 371). One OCT variant, spectroscopic OCT (SOCT), which 

measures the depth-resolved spectra of the light scattered back from the sample, is under 

investigation as a method for distinguishing between different cell types within scaffolds 

(348). Meanwhile, the mechanical properties of engineered tissues can also be assessed 

via another variation on OCT known as optical coherence elastography (OCE) (372). In 

OCE, mechanical stimulation is applied to tissue samples in synchronization with OCT 

imaging in order to map tissue elasticity.  

 

Several complementary imaging techniques, including MPLSM and Raman 

spectroscopy, have been coupled to OCT in order to map biochemical and physiological 

data to engineered tissue structure (367, 373). These complementary methods also serve 

to enhance the optical contrast between cells and their surrounding scaffold materials. 

Poor cell-scaffold contrast in certain systems is one of the main limitations in the 

application of OCT imaging to tissue engineering. A number of label-free OCT strategies 

are also currently under investigation to enhance cell-scaffold contrast, including the 

monitoring of phase and/or intensity speckle fluctuations associated with cell viability 

(374, 375), which will be further explored in this work. 
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Chapter 3: Project Hypothesis and Objectives 
  

3.1 Project Hypothesis:  
 

Layer-by-layer (LbL) deposition can be used to enable localized gene delivery from the 

surface of three-dimensional (3D) scaffolds in a manner that preserves the underlying 

properties of the scaffold system.  

 

3.2 Main Project Objective:  
 

The main objective of this thesis work was to develop an inductive tissue engineering 

system for in situ 3D gene delivery, utilizing the layer-by-layer deposition technique and 

a model scaffold system. Towards that end, we designed, produced, characterized, and 

evaluated a biocompatible glycol-chitosan/hyaluronic acid (Glyc-CHI/HA) 

polyelectrolyte multilayer film system that facilitated in vitro delivery of a marker gene 

encoding enhanced green fluorescent protein (EGFP) from a porous, polymeric scaffold 

system composed of poly(lactic-co-glycolic acid) (PLGA). 
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3.3 Project Sub-Objectives: 
 
1. Characterize the physical and cellular adhesion properties of 2D glycol-chitosan/ 

hyaluronic acid (Glyc-CHI/HA) multilayer films (Chapter 5). 

 

2. Demonstrate that lipoplex-based gene delivery vectors can be incorporated within 

glycol-chitosan/ hyaluronic acid multilayer films and successfully transfect several cell 

lines in vitro (Chapter 6, Appendix 2).  

 

3. Validate that optical coherence tomography (OCT) is a useful technique for imaging 

tissue growth and viability within our porous tissue engineering scaffold system (Chapter 

7). 

 

4. Demonstrate that LbL deposition can be used to coat a model 3D porous, polymeric 

scaffold and that this coating can support in vitro cell adhesion, growth and viability 

(Chapter 8). 

 

5. Demonstrate that LbL deposition, incorporating a layer of gene delivery lipoplexes, 

onto our model 3D porous scaffold can be used to successfully transfect cells in vitro, 

utilizing EGFP plasmids (Chapter 8). 
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Chapter 4: Inductive Scaffold System Design 

 

4.1 Polyelectrolyte Multilayer Film System: 
 

Although a wide variety of natural and synthetic polyelectrolytes have been utilized in 

the production of LbL films for use in biomedical applications, protein and gene delivery 

generally requires the use of biodegradable polyelectrolytes (Chap. 2.3.5). We thus chose 

to use the biodegradable polysaccharides glycol-modified chitosan (Glyc-CHI) and 

hyaluronic acid (HA) to form polyelectrolyte multilayer films in which to embed our 

gene delivery vectors (Fig. 4.1).  

 

 

FIGURE 4.1: Structures of glycol-chitosan (Glyc-CHI) and hyaluronic acid (HA). Glyc-CHI 
and HA form mulialyer films via electrostatic layer-by-layer deposition. The electrostatic 
interactions are believed to be between the protonated amine groups in glycol-chitosan and 
the deprotonated carboxyl group on hyaluronic acid. 
 

The linear polysaccharides chitosan (CHI) and hyaluronic acid (HA) constitute one of the 

most widely-studied multilayer film systems, with applications in drug and gene delivery, 

as well as in antithrombogenic and antibacterial coatings (159, 220, 250, 251, 376). 
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Hyaluronic acid is a polyanion found in the extracellular matrix, which plays an 

important role in mediating tissue hydration and water transport (27). Chitosan, derived 

from the deacetylation of chitin, which is commonly found in the shells of marine 

crustaceans and the cell walls of fungi, is a polycation that exhibits antibacterial 

properties and high mucoadhesion (377). Studies have demonstrated successful in vitro 

cellular transfection from 2D CHI/HA multilayer films using both adenoviral and PEI-

condensed vectors (249, 250).  However, studies have indicated that many cell lines 

exhibit decreased adhesion to CHI/HA multilayer films, particularly as the number of 

bilayers are increased (208), thus suggesting transfection from these films may be far 

from optimal. While chemical cross-linking via EDC and sulfo-NHS has been shown to 

significantly increase chondrosarcoma cell attachment on CHI/HA multilayers (208), not 

all chemical cross-linkers enhance cellular adhesion in this system (378). More 

importantly, chemical cross-linking of multilayer films may limit the gene release kinetic 

profiles that can be produced.  

 

Work with water-soluble phosphorylcholine-modified chitosan has indicated significantly 

improved bone marrow cellular adhesion properties on cast films, compared to 

unmodified chitosan (379). Commercially available glycol-modified chitosan (Glyc-CHI) 

is also water soluble and has been widely employed in drug and gene delivery (380, 381), 

and is beginning to be used in tissue engineering applications (382, 383). In the first 

portion of this study we demonstrated that Glyc-CHI/HA polyelectrolyte multilayers 

exhibited improved cell adhesion properties that we believed would further enhance film-

based transfection efficiency (Chap. 5).  
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4.2 Gene Delivery Vectors: 
 

In order to enhance transfection efficiencies from our LbL-films, we originally used 

poly(ethylenimine) (PEI) as our gene delivery vector, since it is one of the most efficient 

and widely studied cationic polymeric transfection reagents (Chap. 2.2.2).  PEI-based 

polyplexes have been used to transfect many different cell lines, in numerous scaffold-

based gene delivery designs (384), and have also been explored for 2D gene delivery 

from multilayer films (250), thus making them a highly attractive choice for the purposes 

of our study.  However, after performing extensive film-based transfection studies in 

NIH3T3 cells, we found lower than desired transfection efficiencies (less than 5%, 

Appendix 2). Thus we switched our delivery vector to the commercially available, lipid-

based Lipofectamine2000TM reagent. A proprietary formulation, Lipofectamine2000TM is 

one of the most widely used gene delivery vectors due to its high transfection efficiency, 

the high level of gene expression produced, and the broad range of cell lines that it can 

transfect (Chap. 2.2.2).   

 

4.3 Scaffold Material and Fabrication Method: 
 

As the bulk material for our model scaffold we decided to use poly (lactic-co-glycolic 

acid) (PLGA). PLGA is a synthetic, biocompatible, biodegradable polyester commonly 

used in a number of tissue engineering and controlled drug release applications, including 

some approved by the FDA (385). As a copolymer, the degradation rate and mechanical 
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properties of PLGA can be tuned by varying the ratio of glycolide to lactide units, 

making it one of the most widely used polymers for the production of a variety of 

scaffold systems (Chap. 2.1.2).  

 

Our porous PLGA scaffolds are produced by the solid free form fabrication technique 

(Chap. 2.1.3), via the BioPlotter system (EnvisionTec, Gladbeck, Germany), using a 

protocol previously developed in our lab (33). The Bioplotter is a rapid prototyping 

system involving the computerized 3D layer-by-layer deposition of polymer strands, via a 

syringe pump, into a 3D scaffold structure (386, 387) (Fig. 4.2). The system enables 

precise control over the architecture, porosity and pore size range produced.  

 

FIGURE 4.2: Schematic depicting the scaffold fabrication process and resulting scaffold 
structure. A) The Bioplotter deposition process utilizing a syringe pump. B) Cross-sectional 
representation of deposited PLGA strands with diameter (D), strand thickness (h), and 
layer spacing (L). C) MicroCT image of a representative scaffold, with L= 300 µm. (Figure 
adapted from (330)).   
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4.4 Overall System Design: 
 

Porous scaffolds composed of poly(lactic-co-glycolic acid) (PLGA) were immersed into 

alternating cationic and anionic polyelectrolyte solutions of glycol-chitosan (Glyc-CHI) 

and hyaluronic acid (HA), in order to build up polyelectrolyte layers on the scaffold 

surface. A layer of lipoplexes containing plasmid DNA encoding enhanced green 

fluorescent protein (EGFP) was embedded within these films to enable in vitro 

transfection. (Fig. 4.3) 

 

FIGURE 4.3: Outline of the overall design for the inductive tissue engineering system 
developed in this study. Polylelectrolyte multilayer films, composed of glycol-chitosan 
(Glyc-CHI) and hyaluronic acid (HA), which incorporate gene delivery lipoplexes are LbL-
coated onto microfabricated PLGA scaffolds.  
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Chapter 5: Glycol-Chitosan/Hyaluronic Acid Multilayer Films 
Exhibit Enhanced Cellular Adhesion Properties 
 

In order to meet the first sub-objective of this thesis project, the formation and physical 

and cellular adhesion properties of 2D layer-by-layer films composed of glycol-modified 

chitosan (Glyc-CHI) and hyaluronic acid (HA) were characterized. We hypothesized that 

polyelectrolyte multilayer films consisting of Glyc-CHI and HA would exhibit improved 

cellular adhesion compared to corresponding films consisting of unmodified chitosan. 

Film deposition was monitored by quartz crystal microbalance (QCM), while film 

roughness and hydration properties where characterized via atomic force microscopy 

(AFM) and water contact angle measurement, respectively.  Total serum protein 

adsorption to the films was assessed via the BCA protein assay. MC3T3-E1 murine pre-

osteoblast adhesion and viability were analyzed via light microscopy and the MTT assay, 

respectively.  

 

The results of this work are presented in the following manuscript entitled “Enhanced 

MC3T3 Pre-osteoblast Viability and Adhesion on Polyelectrolyte Multilayer Films 

Composed of Glycol-Modified Chitosan and Hyaluronic Acid” which was published by 

the Journal of Biomedical Materials Research Part A in 2011. 

 

Following the manuscript, the results of similar studies evaluating murine embryonic 

fibroblast (NIH 3T3) cell and human embryonic kidney (HEK293) cell adhesion and 

viability are presented. 
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5.1 Abstract 
 

Layer-by-layer (LbL) polyelectrolyte (PE) films made of the naturally derived 

polysaccharides chitosan (CHI) and hyaluronic acid (HA) constitute a well-studied 

system for the development of cell-responsive biointerfaces. However, many cell lines 

exhibit decreased adhesion to CHI/HA multilayer films, particularly as the number of 

bilayers is increased. Here our group demonstrates that films composed of glycol-

modified chitosan (glyc-CHI) exhibit significantly improved MC3T3 pre-osteoblast 

adhesion and viability compared to corresponding films consisting of unmodified CHI. 

These differences in cellular adhesion are likely due to differences in surface topography 

and roughness, as measured via AFM, as well as in film chemistry and the water-

solubility of the cation, since both types of films exhibited similar: thickness, as 

measured via QCM and AFM; wettability, as measured via contact angle; and serum 

protein adsorption, as measured via the BCA assay.   
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5.2 Introduction 
 

Amongst the wide variety of surface modification techniques, electrostatic layer-by-layer 

(LbL) deposition has emerged as a simple and versatile method for tailoring cell-material 

interactions. Varying the polylectrolytes (PEs) selected and the conditions employed 

during their deposition can produce LbL films with a broad range of physio-chemical 

properties, thus enabling a diverse array of biomedical applications, including drug and 

gene delivery, biosensing, cell encapsulation, and bioactive implant coatings (122, 123, 

388). The investigation of LbL multilayers composed of naturally derived polymers, such 

as polysaccharides, proteins and nucleic acids, has been of particular interest due to their 

excellent biocompatibility.  

 

The linear polysaccharides chitosan (CHI) and hyaluronic acid (HA) constitute one of the 

most widely-studied PE film systems, with applications in drug and gene delivery, as 

well as in antithrombogenic and antibacterial coatings (159, 220, 250, 251, 376). 

Hyaluronic acid is a polyanion found in the extracellular matrix, which plays an 

important role in mediating tissue hydration and water transport (27). Chitosan, derived 

from the deacetylation of chitin, which is commonly found in the shells of marine 

crustaceans and the cell walls of fungi, is a polycation that exhibits antibacterial 

properties and high mucoadhesion (377). Although biocompatible, LbL films composed 

of CHI and HA have been found to exhibit decreased cellular adhesion as the number of 

bilayers is increased (159, 378). This cell resistant trend extends to most LbL film 

systems containing biopolymers, including: polylysine, heparin, gelatin, alginate, and 
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dextran (389), although a few studies have shown naturally-derived PE coatings to 

improve cellular adhesion to synthetic polymeric scaffolds (260-262).  

 

Cell adhesion on PE multilayers depends not only upon the specific polymers employed, 

but upon physical film properties such as surface roughness, stiffness, swelling behavior, 

water content, hydrophobicity/ hydrophilicity, and potentially the charge of the 

terminating layer (180, 204, 205, 389). Although it has been difficult to separate the 

impact of individual factors, generally, increasing layer rigidity tends to increase cellular 

adhesion. Chemical cross-linking of multilayer films composed of CHI/ HA or polylysine 

(PLL) and HA, for example, was found to increase film stiffness (as measured by AFM 

indentation) as well as the attachment and spreading of chondrosarcoma and smooth 

muscle cells (180, 204). However, we have found in previous work that not all chemical 

cross-linkers enhance cellular adhesion, with some, such as genipin, decreasing it even 

further (378). Furthermore, cross-linking multilayer films generally decreases their 

biodegradation rate and may thus limit their use in certain drug delivery applications. 

 

Recent work with cast films composed of water-soluble phosphorylcholine-modified 

chitosan (Pc-CHI) has indicated significantly improved bone marrow cellular adhesion 

properties in comparison to unmodified CHI (379). Meanwhile, initial studies of LbL 

films composed of Pc-CHI and HA have demonstrated biocompatibility (215, 390). The 

more commercially available glycol-modified chitosan (Glyc-CHI) also exhibits 

significantly improved water solubility and biocompatibility, features that have led to its 

wide deployment in drug delivery systems, as well as in gene therapy and tissue 
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engineering applications (380-383). We were therefore interested in whether LbL films 

composed of Glyc-CHI and HA would exhibit enhanced cellular adhesion in comparison 

to analogous unmodified CHI multilayers, whilst preserving their biocompatible and 

other favorable properties, thus expanding possible biomedical applications.  

 

Here we investigate the formation, physio-chemical properties, and cellular adhesion 

profiles of PE multilayers composed of water-soluble Glyc-CHI and HA, and compare 

these to corresponding CHI/HA films. Film deposition was monitored by dissipative 

quartz crystal microbalance (QCM-D), while film roughness and hydration properties 

were characterized via atomic force microscopy (AFM) and water contact angle 

measurement, respectively. Total serum protein adsorption as well as MC3T3-E1 murine 

pre-osteoblast adhesion and viability on top of these films were then analyzed. Our 

results indicate that Glyc-CHI/HA multilayer films displayed significantly increased 

cellular adhesion and viability at higher bilayer numbers, compared to corresponding 

umodified-CHI/HA control films, predominately due to differences in surface 

topography, roughness and film chemistry.  
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5.3 Materials and Methods 
 
5.3.1 Polyelectrolyte solutions: 
Hyaluronic Acid (HA) with a molecular weight of 74 kDa was purchased from Lifecore 

Biomedical (Chaska, MN, USA). Chitosan (CHI) with a molecular weight of 

approximately 91 kDa (via GPC) and Glycol-Chitosan (Glyc-CHI) with a molecular 

weight of approximately 80 kDa (via GPC) were purchased from Sigma-Aldrich. All 

solutions were prepared at a concentration of 2 mg/ml in 0.1 M NaCl buffer (with the 

exception of CHI, which was prepared in 0.1 M NaCl, 0.1% acetic acid buffer), adjusted 

to pH 6.0, and filtered through a 0.22 µm PES stericup filtration unit (Milipore). 

 

5.3.2 LbL Assembly of Films: 

Sodium dodecyl sulphate (SDS) and sodium chloride (NaCl, purity ~99%) were 

purchased from Sigma-Aldrich; cell culture cover glasses (15 mm, round) were obtained 

from Fisher Scientific. Prior to film deposition, cover glasses were cleaned in 10 mM 

SDS for three hours, rinsed in distilled water three times, treated with 0.1 N HCl 

overnight and thoroughly rinsed in distilled water. LbL build up was achieved using the 

pipette approach, wherein 300 µl of each polymer was deposited directly onto the cover 

glass, beginning with the polycation (CHI or Glyc-CHI). After the polymer was allowed 

to adsorb for 20 min, the polymeric films were rinsed three times in 0.1 M NaCl buffer. 

Then the polyanion, HA, was added, allowed to adsorb for 20 min and rinsed three times. 

This was repeated at each step of LbL deposition in order to form [CHI/HA]N, 

[CHI/HA]NCHI, [Glyc-CHI/HA]N and [Glyc-CHI/HA]NGlyc-CHI films, where N = 3, 5 

and 10 bilayers. 
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5.3.3 Monitoring In Situ Film Build-Up and Thickness: 
LbL film build-up for [Glyc-CHI/Ha]10 Glyc-CHI films was monitored in situ by QCM-

D, using a Q-Sense D 300 unit (Q-sense, Sweden). Changes in frequency (Δf) and energy 

dissipation (ΔD) were measured at the fundamental frequency of the crystal (f = 5 MHz) 

as well as at the third, fifth, and seventh overtones (15, 25, and 35 MHz, respectively). 

Polyelectrolyte films were formed by injecting 400 µl of the polyelectrolyte solution 

(Glyc-CHI or HA) into the measuring cell, allowing 10 min for adsorption, followed by 

rinsing with 2000 µl of 0.1 M NaCl solution. This procedure continued until 10 bilayers 

were deposited, with an additional terminating layer of Glyc-CHI. The film thickness was 

calculated from the frequency and energy dissipation data using QTools software and the 

Voigt-based viscoelastic model proposed by Voinova et al (169, 170). For these 

calculations, the polyion film density was assumed to be 1.2 g/cm3 and the 0.1 M NaCl 

buffer fluid density and viscosity were assumed to be 1.004 g/cm3 and 9.03 x 10-4 kg/ms, 

respectively (391). 

 

5.3.4 Atomic Force Microscopy: 

The topography of [Glyc-CHI/HA]NGlyc-CHI and [CHI/HA]NCHI films, where N = 3 

and 5 bilayers, was imaged by atomic force microscopy (AFM) in both “dry” and “wet” 

conditions using the Nanoscope III (Digital Instruments, USA) system in the tapping 

mode. Prior to “dry” analysis, all samples were rinsed three times in distilled water, 

allowed to soak for 30 min to ensure removal of NaCl from the film surface, and dried 

with nitrogen. “Dry” images were acquired in air at ambient temperature using a silicon 

probe with a nominal spring constant of 40 N/m and a nominal radius of curvature of 35 
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µm (model RTESP, Veeco, USA).  In the case of “wet” analysis, samples were analyzed 

within a multimode fluid cell (model MTFML, Veeco) filled with 0.1 M NaCl solution 

(pH 6), using a silicon nitride probe with a nominal spring constant of 0.3 N/m and a 

nominal radius of curvature of 20 µm (model NP, Veeco). In both conditions, a 10 µm x 

10 µm area was scanned at a rate of 1 Hz using the minimum amount of force required to 

obtain steady images. Mean RMS surface roughness and maximum film feature height 

were calculated using Nanoscope v 5.12r5 software on a 5 µm by 5 µm area.  

 

In order to determine the thickness of [Glyc-CHI/HA]NGlyc-CHI and [CHI/HA]NCHI 

films, where N = 3 and 5 bilayers, AFM scratch tests were performed. Briefly, holes were 

created in the films by repeatedly scanning a 5 µm x 5 µm area, lowering the set point to 

nearly its minimum value and increasing the scan rate to 30 Hz. The newly exposed area 

was then imaged by increasing the scan size and returning to normal parameters. 

 

5.3.5 Contact Angle Analysis: 

Prior to analysis, all samples were rinsed three times in distilled water, allowed to soak 

for 30 min to ensure removal of NaCl from the film surface, and dried with nitrogen. The 

wettability of the film surfaces was monitored by determining the contact angle of a 1 μL 

deionized water droplet using a video contact angle measuring system (VCA 2500, AST, 

Billerica, Ma).  
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5.3.6 Protein Adsorption: 

For protein adsorption studies, [CHI/HA]N, [CHI/HA]NCHI, [Glyc-CHI/HA]N and [Glyc-

CHI/HA]NGlyc-CHI films, where N = 3, 5 and 10 bilayers, were built as described above 

in 24 well tissue culture plates (Falcon), sterilized with 70% (v/v) ethanol for one hour 

and then washed in the following ethanol series for 30 min each: 50%, 20% and 10%. To 

ensure complete removal of the ethanol, substrates were then washed three times (20 min 

each wash) in 1 x sterile PBS buffer, pH 7.4. It should be noted that during the washing 

and media equilibration steps, all of the substrates, including the controls, were treated in 

the same manner. 500 µl of complete cell culture media (alpha minimum essential 

medium (ά-MEM, Gibco, Invitrogen Corporation) supplemented with 10% fetal bovine 

serum (FBS, Gibco, Invitrogen), 1% penicillin/streptomycin (Invitrogen), 0.2 mM L-

ascorbic acid (Sigma) and 2 mM L-glutamine (Sigma)) was then added to each of the 

wells at 37°C in a humidified atmosphere of 5% CO2. Controls included uncoated glass 

slides, empty wells, and multilayer films incubated in 1 x sterile PBS buffer. 

 

After 2 hours, the media was removed and the films were rinsed twice in 1 x PBS buffer. 

The adsorbed proteins were desorbed by incubation in 500 µL of 10 mM SDS solution on 

a shaking table for 1 hour at room temperature. The concentration of total proteins within 

the SDS solutions was determined via the bicinchoninic acid (BCA) method using a 

micro BCA protein assay reagent kit (Pierce, IL, USA) according to the instructions of 

the manufacturer. Analysis was performed with a µQuant™ microplate 

spectrophotometer (Bio-Tek Instruments, Winooski, VT) at an absorbance of 562 nm. 
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Each protein concentration was calibrated using a concurrently produced standard curve 

using the bovine serum albumin provided with the assay kit. 

 

5.3.7 Cellular Adhesion and Viability: 

Mouse pre-osteoblast MC3T3-E1 (subclone 14) cells were supplied by American Type 

Culture Collection (ATCC, Manassas, VA), and grown in alpha minimum essential 

medium (ά-MEM, Gibco, Invitrogen Corporation) supplemented with 10% fetal bovine 

serum (FBS, Gibco, Invitrogen), 1% penicillin/streptomycin (Invitrogen), 0.2 mM L-

ascorbic acid (Sigma) and 2 mM L-glutamine (Sigma) and incubated at 37°C in a 

humidified atmosphere of 5% CO2. 

 

Similar to the protein adhesion experiments, [CHI/HA]N, [CHI/HA]NCHI, [Glyc-

CHI/HA]N and [Glyc-CHI/HA]NGlyc-CHI films, where N = 3, 5 and 10 bilayers, within 

24 well tissue culture plates (Falcon), were sterilized with 70% (v/v) ethanol for one 

hour, washed in a 50%, 20% and 10% ethanol series for 30 min each, and washed three 

times for 20 min each in 1 x sterile PBS buffer. 500 µl of the appropriate media was then 

added to each of the wells and left to equilibrate for an hour at 37°C in a humidified 

atmosphere of 5% CO2. Again, all of the substrates, including the controls, were treated 

in the same manner.  

 

After trypsinization, cells were spun down at 1000 rpm for 5 min, re-suspended in fresh 

media, and the cell concentration was determined using a hemocytometer. A seeding 
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population of 2 x 104 cells (in a volume of 500 µl) was added to each of the wells and 

incubated at 37°C in a humidified atmosphere of 5% CO2 for 48 hours.  

 

For analysis of cellular adhesion, culture media was removed, samples were rinsed once 

in PBS and images at 10 x and 20 x magnification were acquired with a stereoscopic 

zoom microscope (SMZ1500, Nikon) equipped with a digital camera (DXM1200F, 

Nikon) operated with the ACT-1 software. A minimum of 4 fields per sample was 

imaged and cell numbers were determined by manual count with the assistance of ImageJ 

software.  

 

In order to analyze cellular viability, media was removed, samples were rinsed once in 

PBS, and 300 µL of serum-free, phenol-red-free ά-MEM media (Gibco, Invitrogen) was 

added to each well. The number of viable cells in each well was determined using the 

Vybrant MTT Cell Proliferation Assay Kit (Invitrogen), which is based upon the 

conversion of MTT (3-(4,5-Dimethylthiazol-2-yl)-2,5-diphenyltetrazolium bromide) to a 

strongly pigmented formazan product by live cells, according to manufacturer 

instructions. Analysis was performed with a µQuant™ microplate spectrophotometer 

(Bio-Tek Instruments, Winooski, VT) at an absorbance of 570 nm.  

 

5.3.8 Statistics: 

Statistical analyses of data were performed using the software package SPSS/PASW 

Statistics v18.0 (SPSS Inc., Chicago, IL). All data are presented as mean ± STD. The 

significance level was set at p < 0.05. As most data either failed the Shapiro-Wilk test for 

normality and/or the Levene’s test for homogeneity of variance, or were of small sample 
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size, Kruskal-Wallis non-parametric analyses were performed. In the case of contact 

angle data, a two-way ANOVA test with a Student Neuman-Keul’s posthoc test, was also 

performed for comparison.  
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5.4 Results and Discussion 
 

5.4.1 Glyc-CHI/HA Film Build-up and Surface Characterization: 

As cellular adhesion to polyelectrolyte multilayers is dependent upon a combination of 

chemical and physical surface properties, Glyc-CHI/HA film build-up, thickness, 

topography, roughness, and surface wettability were characterized in detail. Frequency 

shifts (Δf/v) and changes in energy dissipation (ΔD) over time for the build-up of [Glyc-

CHI/HA]10Glyc-CHI multilayer films, as monitored via QCM-D, are presented in 

Fig. 5.1. As each polyelectrolyte was injected into the system, a decrease in frequency 

was observed corresponding to an increase in film mass, thus indicating layer-by-layer 

deposition. The normalized frequency shift (-Δf/v) data at each bilayer number (Fig. 5.2) 

indicates a non-linear growth regime (184), with higher bilayer numbers (8th onwards) 

displaying an increased growth rate. Similarly, larger dissipation changes were seen at 

higher bilayer numbers, thus indicating that Glyc-CHI/HA films became more 

viscoelastic as they grew (Fig. 5.1). Rinses with 0.1 M NaCl buffer between 

polyelectrolyte deposition steps could also be identified as small upturns in the frequency 

curve and downturns in the dissipation curve, suggesting small amounts of polymer 

desorption. Measurements were performed at the fundamental frequency of the crystal, 

5 MHz, as well as at its third, fifth and seventh overtones (15, 25 and 35 MHz, 

respectively). However, as higher bilayer numbers (8th and above) were deposited, the 

thickness and viscoelasticity of the films rendered the QCM-D system unable to continue 

higher frequency measurements.   
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FIGURE 5.1: Plots of change in dissipation (ΔD, right axis) and QCM frequency shifts 
(Δf/v, left axis) over time during the deposition of a [Glyc-CHI/HA]10Gly-CHI film. 
Frequency was monitored at the third (solid lines, circles) and fifth (dashed lines, triangles) 
overtones of the fundamental frequency, corresponding to 15 and 25 MHz, respectively. 
Data presented is for one representative experiment; results from other experimental runs 
(n = 5) are consistent. 
 

The viscoelastic nature of the Glyc-CHI/HA films, as indicated by the large dissipation 

changes and spread in frequency data for different overtones, renders the Sauerbrey 

equation (166), which directly relates frequency shift data to mass adsorbed for rigid 

films, invalid for this system. Instead, the Voigt-based viscoelastic model (169, 170) was 

applied to the frequency and dissipation data measured at the third and fifth overtones, 

again displaying non-linear film growth, yielding [Glyc-CHI/HA]10Glyc-CHI multilayers 

approximately 250-350 nm thick (Fig. 5.2). These results are consistent with those for 

multilayer films composed of unmodified-CHI and HA, which have been found to 

display non-linear growth that borders on the “exponential” using a variety of techniques 

including QCM-D, OWLS, SPR, and ellipsometry (159, 378, 390). Previous QCM-D 
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analysis demonstrated [CHI/HA]10CHI films, formed at the same pH and ionic strength 

and using HA of the same molecular weight and 91 kDa unmodified CHI, to be 

comparable in thickness, at approximately 300-400 nm thick (as calculated via the Voigt 

model), and to display increasing viscoelasticity with bilayer number (378).   

 

 

FIGURE 5.2: Normalized frequency shift (Δf/v) data for each bilayer number (i.e., [Glyc-
CHI/Ha]N). Frequency was monitored at the fundamental frequency (circles) and its third 
(squares), fifth (triangles), and seventh (diamonds) overtones, corresponding to 5, 15, 25, 
and 35 MHz, respectively. Data presented is for one representative experiment. Inset: 
Approximate film thickness with increasing bilayer number. Multilayer thickness increased 
with successive polymer layer deposition resulting in [Glyc-CHI/Ha]10Glyc-CHI multilayers 
~ 250–350 nm thick. Data presented is the average of three representative 
experiments.‘‘QCM’’ thickness (diamonds) was determined by applying the Voigt-based 
viscoelastic model to frequency shift (Δf/v) and dissipation(ΔD) data recorded via QCM at 
the third and fifth overtones (i.e., 15 and 25 MHz, respectively). ‘‘AFM’’ thickness (squares) 
was obtainedvia the AFM scratch test method under wet conditions (n = 9). 
 

Looking at the plot of approximate film thickness (Fig. 5.2) for each Glyc-CHI/HA 

bilayer reveals larger variations between experiments in the 7 to 9 bilayer range. Previous 

studies characterizing the growth and properties of unmodified CHI/HA films indicated a 
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threshold range, between 7 and 9 bilayers, where films transition from patchy island-like 

surfaces to more uniform and smooth films (159, 378, 390). This transition has been 

found to depend upon the molecular weight of the CHI and HA employed and the 

conditions of build-up (199). It is thus believed that the larger experimental variations 

observed for Glyc-CHI/HA films in this 7 to 9 bilayer range are due to slight variations in 

where this transition occurs from run-to-run of QCM-D analysis.  

 

As QCM-D is an indirect means by which to determine multilayer thickness, atomic force 

microscopy (AFM) scratch tests were also performed on three and five bilayer films as a 

more direct method. Briefly, in the presence of 0.1 M NaCl solution (pH=6) a small area 

of each film was repeatedly scanned at high frequency under “hard” tapping conditions, 

thus creating a hole, the height of which was directly measured. Scratching [Glyc-

CHI/HA]3Glyc-CHI and [Glyc-CHI/HA]5Glyc-CHI multilayers yielded average 

thicknesses of 54 nm ± 6 nm and 94 nm ± 18 nm, respectively, in good agreement with 

the values calculated via QCM-D and the Voigt model (Fig. 5.2, inset).  The thickness of 

[CHI/HA]3CHI and [CHI/HA]5CHI films was also evaluated via the scratch test and 

found to be similar to corresponding Glyc-CHI multilayers at 56 nm ± 11 nm and 

92 nm ± 20 nm, respectively (χ2= 0.09, p > 0.92). Although difficulty obtaining good 

quality images prevented the scratch test from being performed in these conditions for 

films composed of 10 bilayers, we anticipate the QCM-D-determined thicknesses to be in 

a similar range. 
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FIGURE 5.3: AFM imaging of multilayer surface topography of: (top, left) [Glyc-
CHI/HA]3Glyc-CHI; (top, right) [Glyc-CHI/HA]5Glyc-CHI; (bottom, left) [CHI/HA]3CHI; 
and (bottom, right) [CHI/HA]5CHI films in the presence of 0.1M NaCl solution. Scan size = 
10 µm, Z-range = 100 nm for three bilayer films (left) and 200 nm for five bilayer films 
(right). 
 

Tapping mode AFM analysis of dried [Glyc-CHI/HA]NGlyc-CHI and [CHI/HA]NCHI 

multilayer films, where N = 3, 5 and 10, indicated little difference between systems in 

topography or surface roughness (Table  5.1). By contrast, AFM analysis of these same 

films in the presence of 0.1 M NaCl solution (pH=6) revealed that, while three bilayer 

surfaces were similar, five bilayer films composed of Glyc-CHI exhibited a significantly 

higher RMS surface roughness in comparison to corresponding unmodified CHI controls. 

Examining films composed of three bilayers (Fig.  5.3 left, top and bottom), one observes 

that both film systems display a similar surface topography composed of many small 

island-like structures with maximum heights of approximately 68 nm ± 14 nm for Glyc-

CHI/HA and 85 nm ± 19 nm for CHI/HA, corresponding to comparable rms surface 
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roughness values of 11 nm ± 3 nm and 11 nm ± 3 nm, respectively. At five bilayers (Fig. 

5.3 right, top and bottom), the islands appear to coalesce into longer wave-like features, 

which, although displaying similar maximum heights in the case of CHI/HA 

(89 nm ± 18 nm), are significantly larger for Glyc-CHI/HA (118 nm ± 19 nm; χ2 = 11.46, 

p < 0.01). This increase in feature height, in turn, leads to increased rms surface 

roughness for [Glyc-CHI/HA]5Glyc-CHI films (25 nm ± 5 nm) both compared to 

[CHI/HA]5CHI multilayers (13 nm ± 3 nm; χ2 = 4.36, p < 0.04), and three bilayer Glyc-

CHI films (χ2 = 11.46, p < 0.001). When films reached ten bilayers in thickness, good 

quality AFM images became difficult to obtain in either wet or dry conditions due to the 

viscoelasticity of the films, however, both types of multilayers appeared to be smoother 

(data not shown). 

 

The AFM results presented here reflect trends from previous studies, with CHI/HA films 

growing from isolated polymer islands which enlarge and coalesce into smoother 

surfaces somewhere around bilayer 10 (159, 378, 390).  Notably, the observed increase in 

surface roughness for five bilayer Glyc-CHI/HA films echoes the analysis of multilayers 

composed of HA and another water-soluble CHI-derivative, phosphorylcholine-modified-

CHI (Pc-CHI), which were also found to be rougher than their analogous CHI/HA 

surfaces (390).  However, while Glyc-CHI/HA films were found to be similar in 

thickness and viscoelasticity to their CHI/HA counterparts, multilayers composed of Pc-

CHI proved to be thicker due to increased film hydration, which also translated into 

greater film viscoelasticity (390). Intriguingly, while the difference between the “wet” 

and “dry” maximum feature heights decreased between three and five bilayer CHI/HA 
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films, it increased in the case of the Glyc-CHI/HA system, suggesting an increase in 

water-uptake and film swelling, also reminiscent of Pc-CHI surfaces.  

 

TABLE 5.1: Surface Characterization of [Glycol-CHI/HA]NGlycol-CHI and 
[CHI/HA]NCHI Multilayer Films, where N = 3, 5, 10.  
All data presented are from three separate experiments (n = 9), with the exception of three 
bilayer dry surface roughness and dry maximum feature height data, which are from two 
separate experiments (n = 6). Kruskal–Wallis test statistics for contact angle data: Glyc-
CHI versus CHI (χ2 = 2.13, p < 0.13); differences in number of bilayers (χ2 = 34.01, p < 
0.001). Kruskal–Wallis test statistics for ‘‘dry’’ RMS roughness data: Glyc-CHI versus CHI 
(χ2 = 0.37, p = 0.58); differences in number of bilayers (χ2 = 11.05, p < 0.001). Kruskal–
Wallis test statistics for ‘‘dry’’ max height data: Glyc-CHI versus CHI (χ2 = 3.64, p < 0.06); 
differences in number of bilayers (χ2 = 5.47, p < 0.02). Kruskal–Wallis test statistics for 
‘‘wet’’ RMS roughness data: Glyc-CHI versus CHI (χ2 = 4.36, p < 0.04); differences in 
number of bilayers (χ2 = 11.46, p < 0.001). Kruskal–Wallis test statistics for ‘‘wet’’ max 
height data: Glyc-CHI versus CHI (χ2 = 0.23, p < 0.64); differences in number of bilayers (χ2 
= 11.46, p < 0.01). 
 

The static water contact angle of both Glyc-CHI/HA and CHI/HA films increased along 

with bilayer number (Table 5.1), thus indicating that both types of multilayers became 

more hydrophobic as they grew (χ2 = 34.01, p < 0.01). While no statistically significant 

differences were observed between Glyc-CHI and unmodified CHI films using the 

Kruskal-Wallis test (χ2 = 2.30, p < 0.13), at five and ten bilayers Glyc-CHI/HA films 

displayed slightly higher contact angles, which were significant when analyzed via two-

way ANOVA (p < 0.001), thus suggesting they tend to be somewhat more hydrophobic 

than corresponding CHI/HA multilayers. The increase in film hydrophobicity with layer 

number was consistent with previous results for the unmodified CHI/HA system (378). 

However, the slight increase in Glyc-CHI-based film hydrophobicity compared to 
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unmodified CHI was interesting in light of the previously mentioned implied increase in 

Glyc-CHI/HA film swelling properties, as well as the improved hydrophilicity of Glyc-

CHI itself. 

 

5.4.2 Protein Adsorption: 

Since in vivo protein adsorption plays a key role in mediating cell-surface interactions, 

analysis of whether the small increase in Glyc-CHI/HA film hydrophobicity translated 

into differences in total serum protein adsorption was performed (Fig. 5.4). After a 2-hour 

incubation in serum-containing media, no significant differences in total protein 

adsorption were observed between films consisting of Glycol-CHI or corresponding ones 

composed of unmodified CHI (χ2 = 1.68, p < 0.20). Furthermore, no differences were 

found between films consisting of 3, 5 or 10 bilayers for either polyelectrolyte system 

(χ2 = 0.60, p > 0.70), or between films terminating in anionic HA or cationic Glyc-CHI or 

CHI (χ2 = 2.01, p < 0.16). Although hydrophobic multilayers are generally reported to 

adsorb more proteins than hydrophilic surfaces (392), the fact that the observed 

hydrophobicity increase for higher bilayer Glyc-CHI films was not large enough to be 

statistically significant is likely the reason that it was not reflected in the protein adhesion 

data. Meanwhile, the lack of differences in total adsorbed proteins between films with 

opposite terminating layer charges (i.e. cation vs. anion) may be due to the wide variety 

of different proteins and ionic species contained in fetal bovine serum, or due to layer 

interpenetration which is often found in exponentially growing films. 

 



96 

 

FIGURE 5.4: Total protein adsorption to [Glyc-CHI/HA]NGlyc-CHI and [CHI/HA]NCHI 
multilayer films, where N = 3, 5, 10 after 2 h incubation in complete media containing 10% 
fetal bovine serum. The amount of protein was determined via the BCA total protein assay. 
Data presented if from three separate experiments (n = 9). Kruskal–Wallis test statistics 
for: Glyc-CHI versus CHI (χ2 = 1.68, p < 0.20); cation terminating versus anion 
terminating: (χ2 = 2.01, p < 0.16); differences in number of bilayers (χ2 = 0.60, p > 0.74). 
 

5.4.3 Cellular Adhesion and Viability: 

Glyc-CHI/HA multilayer films composed of 5 or more bilayers displayed significantly 

higher MC3T3 cell adhesion (χ2 = 40.20, p < 0.001) and viability (χ2 = 54.70, p < 0.001) 

compared to corresponding films formed of unmodified CHI. MC3T3 cellular adhesion 

after 48 hours growth on cationic- and anionic-terminating layers of either Glyc-CHI/HA 

or unmodified CHI/HA films consisting of 3, 5 or 10 bilayers was imaged via light 

microscopy (Fig. 5.5) and quantified via computer-assisted manual count (Fig. 5.6 top). 

As previously reported (208, 378), films composed of unmodified CHI displayed cellular 

adhesion comparable to glass control surfaces at 3 bilayers, however, as the film 

thickness increased to 5 and 10 bilayers, cellular adhesion dramatically decreased 

(Fig. 5.6 top).  
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FIGURE 5.5: Representative bright-field images of MC3T3 cell adhesion after 48 h on 
[Glyc-CHI/HA]NGlyc-CHI (a, c, e) and [CHI/HA]NCHI films (b, d, f), where N = 3(a,b), 
5(c,d), or 10(e,f) bilayers. Results for films terminating in an HA layer ([CHI/HA]N) are 
consistent with those presented here. A control image (g) of MC3T3 cell adhesion on 
uncoated glass slides, with scale bar of 100 µm, is presented for comparison. All images 
obtained with a 20 x objective. 
 

A closer look at cell morphology at 5 and 10 bilayers (Fig. 5.5D, F) revealed that MC3T3 

cells did not spread but remained rounded, often growing in clusters. We speculated 

previously, that the good cell adhesion observed on 3 bilayer CHI/HA films (Fig. 5.5B) 

was actually due to incomplete coverage of the underlying glass substrate caused by the 

patchy nature of the film at that stage of growth  (378). By contrast, films composed of 

Glyc-CHI did not display a decrease in cellular adhesion with increased thickness, with 

high levels of cellular adhesion, comparable to control glass surfaces, observed at 3, 5 

and 10 bilayers (Fig. 5.6 top). The morphology of MC3T3 cells on Glyc-CHI/HA films 

also indicated a well spread phenotype at all bilayer numbers tested (Fig. 5.5A, C, E). 

MTT assays similarly conducted after 48 hours of MC3T3 growth on [Glyc-CHI/HA]N 

and [CHI/HA]N multilayer films, where N = 3, 5, 10 bilayers (Fig. 5.6 bottom), clearly 

reflect the adhesion data, with Glyc-CHI/HA films displaying significantly higher 
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MC3T3 cell viability at 5 or more bilayers, compared to corresponding unmodified CHI 

films (χ2 = 54.70, p < 0.001). No differences in either cell adhesion or viability were 

observed between cationic or anionic terminating layers within each PE system 

(χ2 = 0.04, p > 0.80; and χ2 = 1.60, p > 0.21). 

 

 

FIGURE 5.6: Quantification of MC3T3: (top) cell adhesion and (bottom) viability after 48 h 
on [Glyc-CHI/HA]N and [CHI/HA]N films terminating in either HA or CHI, where N = 3, 5, 
or 10 bilayers. Top: Average cell numbers were determined via manual count of 
representative microscopy images using ImageJ software. MC3T3 adhesion on uncoated 
glass slides is presented as a control. Kruskal–Wallis test statistics for: Glyc- CHI versus 
CHI (χ2  = 40.20, p < 0.001); cation terminating versus anion terminating: (χ2 = 0.04, p > 
0.80); differences in number of bilayers (χ2 = 14.86, p < 0.001). Bottom: Average cell 
viability measured as absorbance via the MTT assay. Data presented in each case is from 
three separate experiments (n = 9). Kruskal–Wallis test statistics for: Glyc-CHI versus CHI 
(χ2 = 54.70, p < 0.001); cation terminating versus anion terminating: (χ2 = 1.60, p > 0.21); 
differences in number of bilayers (χ2 = 6.62, p < 0.04). 
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The observed increase in rms surface roughness and differences in film topography 

displayed by five bilayer Glyc-CHI/HA films, compared to corresponding films 

composed of unmodified CHI, may play a role in underlying the significant increase in 

cellular adhesion and viability, as both types of multilayers exhibited similar thickness, 

viscoelasticity, and total serum protein adsorption. Numerous studies have examined the 

effects of surface roughness and topography on cellular adhesion; however, overall trends 

tend to be material and cell type specific. Even within a given material-cell system it has 

proved difficult to separate the individual contributions of roughness from the pattern and 

distribution of the surface topographical features themselves, or from the changes in 

surface chemistry or wettability that result from the methods used to create the roughness 

variations. In the case of the MC3T3-E1 preosteoblasts used here, for example, there 

appears to be a material-specific threshold roughness, above which cellular adhesion 

and/or proliferation is dramatically reduced (393, 394). Differences in film surface 

roughness, however, are only one contributing factor to the differences in MC3T3 cell 

adhesion and viability, as the increase in roughness within the Glyc-CHI system between 

three and five bilayers was not accompanied by a significant change in cell numbers.    

 

Although many studies have related cell adhesion to the hydrophobicity/hydrophilicity of 

biomaterial surfaces (395), it is somewhat uncertain whether the small (maximum 10 

degrees), non-statistically significant increase in Glyc-CHI/HA film hydrophobicity 

contributed much to the large observed increase in cellular adhesion and viability. Indeed, 

the slight film hydrophobicity increase was not reflected in significant differences in total 

serum protein adhesion, which has been found to play an important role in cell adhesion 
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(396). It is possible that the actual protein species adsorbed differed between films 

composed of Glyc-CHI and unmodified CHI and thus contributed to enhanced cellular 

adhesion. However, significant differences in the types of protein adsorbed by 

multilayers ending in cationic and anionic PEs would be intuitively expected, and there 

were no significant cell adhesion differences observed between films terminating in HA 

vs. Glyc-CHI or CHI within either film system.  

 

PE films composed of HA and another water-soluble CHI-derivative, phosphorylcholine-

modified-CHI (Pc-CHI), have demonstrated biocompatibility (215, 390). Similar to Glyc-

CHI/HA films, Pc-CHI/HA films were found to be rougher than their analogous CHI/HA 

films, while, in contrast, Pc-CHI films also displayed an increased thickness due to 

increased film hydration, which also translated into greater film viscoelasticity (390). 

Although differences between “wet” and “dry” AFM feature heights do suggest an 

increase in Glyc-CHI film water content, at least at five bilayers, compared to CHI/HA 

controls, the similarities in the Glyc-CHI vs. CHI film viscoelasticity and thickness, 

coupled with slightly greater surface hydrophobicity indicate that direct study of Glyc-

CHI/HA film hydration and swelling should be performed.  Initial screening has 

suggested that Pc-CHI/HA multilayers also exhibit enhanced cellular adhesion (data not 

shown), which is likely due to the presence of the Pc groups, as PE films tend to display 

decreased cellular adhesion with increasing thickness, hydration and viscoelasticity 

(205). Although differing in some physical properties, films composed of HA and either 

Glyc-CHI or Pc-CHI both display improved cellular adhesion compared to corresponding 

multilayers composed of unomodfied CHI. This suggests that the water-solubility of 
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chitosan derivatives may play a role in underlying the increased film cytocompatibility. 

Overall, Glyc-CHI/HA films are distinctive in providing many similar physical properties 

to the widely employed CHI/HA system, while greatly enhancing cellular adhesion and 

viability, thereby enabling a wider variety of biomedical applications.  
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5.5 Conclusions 
 

Glycol-CHI/HA multilayer films composed of 5 or more bilayers displayed significantly 

higher cell adhesion and viability compared to corresponding films formed of unmodified 

CHI. These differences in cell adhesion are likely due to a combination of differences in 

surface topography, roughness, and chemistry, since both types of films exhibited similar: 

thickness and viscoelasticity, as measured via QCM; wettability, as measured via contact 

angle; and serum protein adsorption, as determined via the BCA assay. Enhanced cellular 

adhesion and viability, alongside the preservation of many of the physical properties of 

the commonly employed CHI/HA system, thus make water soluble Glyc-CHI/HA films 

an attractive candidate for a wide variety of applications in drug and gene delivery, as 

well as in implant and tissue engineering coatings. 
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 5.7 NIH3T3 and HEK293 Cell Adhesion and Viability on Glyc-CHI/HA 
Multilayers 
 

In order to assess whether the improved cellular adhesion and viability observed on Glyc-

CHI/HA multilayer films was cell-specific, we extended our published work with 

MC3T3 pre-osteoblasts to include both NIH3T3 murine embryonic fibroblast cells and 

HEK293 human embryonic kidney cells (ATCC, Manassas, VA). Cellular adhesion and 

viability were investigated via light microscopy and the MTT assay, respectively. Similar 

to our previous findings, NIH3T3 fibroblasts also exhibited increased adhesion (Fig. 5.7) 

and viability (Fig. 5.8) on Glyc-CHI/HA multilayer films composed of higher numbers of 

bilayers, compared to corresponding umodified-CHI/HA control films (χ2  = 52.18, p 

<0.001).  

 

 

FIGURE 5.7: Representative bright-field images of NIH3T3 cell adhesion after 48 hours on 
[Glyc-CHI/HA]NGlyc-CHI (a,c,e) and [CHI/HA]NCHI films (b,d,f), where N = 3(a,b), 5(c,d), 
or 10(e,f) bilayers. Results for films terminating in an HA layer ([CHI/HA]N) are consistent 
with those presented here. A control image (g) of NIH3T3 cell adhesion on uncoated glass 
slides, with scale bar of 100 µm, is presented for comparison.  
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FIGURE 5.8: NIH3T3 cell viability, as determined via the MTT assay, after 48 hours on: 
[CHI/HA]NCHI (“Unmodified, CHI”); [CHI/HA]N (“Unmodified, HA”); (Glyc-
CHI/HA)Nglyc-CHI (“Glycol, CHI”); and [Glyc-CHI/HA]N (“Glycol, HA”) multilayer films, 
where N= 3, 5 or 10 bilayers. Data presented is from 3 separate experiments (n=9). NIH3T3 
adhesion on uncoated glass slides is presented as a control. Kruskal–Wallis test statistics 
for: Glyc- CHI versus CHI (χ2  = 52.18, p <0.001); cation terminating versus anion 
terminating: (χ2 = 2.09, p =0.148); differences in number of bilayers (χ2 = 10.27, p = 0.006). 
 
 

Initial studies suggest that HEK293 cells exhibited a well spread morphology on Glyc-

CHI/HA multilayer films composed of 3, 5 or 10 bilayers, similar to glass controls. By 

contrast, HEK293 cells seeded on corresponding umodified-CHI/HA films tend to adhere 

in patches and exhibit a more rounded morphology (Fig. 5.9). Interestingly, these 

significant differences in cell morphology did not translate into an expected increase in 

viability on Glyc-CHI/HA films (Fig. 5.10). Surprisingly, the MTT assay revealed no 

differences in viability for 3 and 5 bilayer films, while  for 10 bilayer films a slight 

increase in HEK293 viability on umodified-CHI/HA compared to Gly-CHI/HA films was 

observed (χ2 = 4.95, p = 0.026).  
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FIGURE 5.9: Representative bright-field images of HEK293 cell adhesion after 48 hours on 
[Glyc-CHI/HA]NGlyc-CHI (a,c,e) and [CHI/HA]NCHI films (b,d,f), where N = 3(a,b), 5(c,d), 
or 10(e,f) bilayers. Results for films terminating in an HA layer ([CHI/HA]N) are consistent 
with those presented here. A control image (g) of HEK293 cell adhesion on uncoated glass 
slides, with scale bar of 100 µm, is presented for comparison.  
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FIGURE 5.10: HEK293 cell viability, as determined via the MTT assay, after 48 hours on: 
[CHI/HA]NCHI (“Unmodified, CHI”); [CHI/HA]N (“Unmodified, HA”); (Glyc-
CHI/HA)Nglyc-CHI (“Glycol, CHI”); and [Glyc-CHI/HA]N (“Glycol, HA”) multilayer films, 
where N= 3, 5 or 10 bilayers. Data presented is from 2 separate experiments (n=6). HEK293 
adhesion on uncoated glass slides is presented as a control. Kruskal–Wallis test statistics 
for: Glyc- CHI versus CHI (χ2 = 4.95, p = 0.026); cation terminating versus anion 
terminating: (χ2 = 0.07, p =0.787); differences in number of bilayers (χ2 = 4.65, p = 0.098). 
 

This significant difference between morphology and MTT-measured viability in HEK293 

cells may be due a number of factors. It is possible that there are larger numbers of tightly 
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packed cells present within the rounded cell clusters than one would visually estimate on 

CHI/HA films. Perhaps the better spread HEK293 cells on Glyc-CHI/HA films take up 

more room and thus give the illusion of there being more cells. It is also possible that the 

HEK293 cells are more metabolically active on unmodified CHI films, or that they are 

less metabolically active on Glyc-CHI films.  

 

Overall, however, HEK293 cells on Glyc-CHI/HA films did not exhibit reduced viability 

compared to corresponding films composed of unmodified-CHI. More importantly, 

HEK293 cells displayed a more typical, well-spread morphology and more homogenous 

surface coverage on Glyc-CHI/HA films, compared to the patchy, rounded clusters on 

unmodified-CHI films. Thus, although not exhibiting increased viability for all cell types, 

Glyc-CHI/HA films remain a promising candidate for gene delivery applications. 
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Chapter 6: Glycol-Chitosan/Hyaluronic Acid Films with 
Embedded Gene Delivery Lipoplexes Enable Successful In 
Vitro Gene Delivery 
 

As part of the second sub-objective of this thesis work, lipoplexes containing plasmid 

DNA were embedded within Glyc-CHI/HA polyelectrolyte films. Prior to embedding, the 

size and surface charge of lipoplexes, formed by complexing Lipofectamine2000TM and 

plasmid DNA encoding the fluorescent marker gene EGFP, were characterized via 

dynamic light scattering and zeta potential analysis, respectively. These lipoplexes were 

then adsorbed on top of, or within, Glyc-CHI/HA LbL films of varying architectures and 

the resulting film morphology was assessed via atomic force microscopy (AFM) and 

scanning electron microscopy (SEM). The in vitro transfection efficiency and 

cytotoxicity of these multilayer films was then assessed for NIH3T3 murine embryonic 

fibroblast and HEK293 human embryonic kidney cells via fluorescence microscopy and 

fluorescence activated cell sorting (FACS) analysis.     

 

The results of this work are presented here in the manuscript entitled “Substrate-mediated 

gene delivery from glycol-chitosan/hyaluronic acid polyelectrolyte multilayer films” 

which was accepted by the American Chemical Society’s journal Applied Materials and 

Interfaces in 2013 and is currently in press. 
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6.1 Abstract 
 

Substrate-mediated transfection is one of the key strategies for localized gene delivery. 

Layer-by-layer (LbL) polyelectrolyte deposition is a promising technique which enables 

controlled delivery of a number of biofactors, including nucleic acids. Here, we embed 

lipoplexes containing plasmid DNA within polyelectrolyte multilayers composed of 

glycol-chitosan (Glyc-CHI) and hyaluronic acid (HA) in order to produce a film system 

that enables localized, surface-based transfection. The topography and morphology of the 

resulting multilayers were characterized after lipoplex adsorption and during subsequent 

film build-up via AFM and SEM, respectively. DNA embedding efficiency and release 

were then examined. Lipoplex-containing Glyc-CHI/HA films were found to successfully 

transfect NIH3T3 fibroblasts and HEK293 kidney cells in vitro, maintaining transfection 

levels of approximately 20% for a period of at least 7 days.    
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6.2 Introduction 
 

Spatial control of gene delivery is an essential feature of many biomedical applications, 

including inductive tissue engineering, medical implant coatings, and cellular transfection 

microarrays. One main approach to localized gene transfer, termed “substrate-mediated 

gene delivery” (72) or “reverse-transfection” (110), involves the immobilization of DNA 

and carrier vectors onto a biomaterial surface, as opposed to the traditional “bolus” 

transfection method of adding the DNA and vector to an aqueous media. A variety of 

strategies can be employed to surface-immobilize gene transfection vectors, including 

non-specific adsorption (109), surface attachment via biotin-streptavidin (72) and 

antibody-antigen conjugate systems (120), or encapsulation within a thin polymeric or 

hydrogel film (110). Amongst these many methods, layer-by-layer polyelectrolyte 

deposition has emerged as a simple yet versatile technique which can be utilized with 

biomaterials of nearly any type, shape or size. 

 

Layer-by-layer (LbL) deposition involves the sequential surface assembly of alternating 

layers of oppositely charged polyelectrolytes (PEs)(127), and has been widely used for 

the controlled release of drugs, bioactive proteins, and genes (reviewed in (122)). Naked 

plasmid DNA, PEI- and cyclodextran- complexed plasmids, and adenoviral vectors have 

been incorporated into a variety of polyelectrolyte multilayer designs (reviewed in (124)) 

and have been successfully used to transfect cells in vitro and in vivo (258, 259). Careful 

selection of the PEs used and the layer architecture and chemistry employed enables both 
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the tailoring of release kinetics and sequential delivery of several different genes (226, 

249). 

  

Plasmid DNA itself is often directly used as the anionic PE for LbL assembly, alongside 

degradable cationic polymers. For example, Lynn and colleagues built PE multilayers 

from a synthetic hydrolytically degradable cationic polyamine (“polymer 1”) and naked 

plasmid DNA encoding EGFP or RFP (252), which, used alone or as a stent-coating, 

could transfect cells in vitro (253) and in vivo (259). AFM analysis suggested that the 

DNA/polymer layers re-arranged themselves to present surface-bound condensed DNA 

nanoparticles (253). Naked plasmid DNA-based LbL multilayers have also been 

constructed using chitosan (255), galactosylated chitosan (256), poly(2-aminoethyl 

propylene phosphate) (257), poly(ethylimine) (397), and reducible hyperbranched 

poly(amido amine) (258) as the cationic PEs, with similar film surface rearrangements 

into nanoparticle complexes observed in most cases. As these plasmid-cationic polymer 

films degrade, these complexes are released, as verified via electrophoresis and TEM 

(256, 257), and are thought to act like other typical cationic gene delivery vectors.  

 

Alternatively, plasmids pre-complexed with a viral or non-viral gene carrier vector can 

also be incorporated within multilayer films for controlled, substrate-mediated 

transfection. The Voegel and Jessel groups, for example, have done extensive work using 

PLL/PGA, CHI/HA, PAH/PSS, and PLL/HA multilayer films to deliver PEI-condensed 

plasmids (250), pyridylamino cyclodextrin complexed plasmids (249), or adenoviral 

vectors (251) to several different cell lines as well as primary cells. While results varied 
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greatly between systems, generally, lower transfection levels were observed when the 

vector was embedded under greater numbers of PE bilayers, and an increase in the 

number of vector layers led to an increase in transfection efficiency (249-251).       

 

Few studies to date have attempted to incorporate DNA-lipoplexes within LbL PE films, 

even though lipid-based DNA carriers are the most widely used non-viral vectors. 

Several other strategies have been used to immobilize DNA-lipoplexes to biomaterial 

surfaces, with most studies focusing on surface adsorption (109, 119, 398) or physical 

incorporation within cast films (399, 400). As a coating enabling stent-based gene 

delivery, Yaumuchi and coworkers have used LbL deposition to assemble alternating 

layers of DNA-containing lipoplexes and naked plasmid DNA on top of self assembled 

monolayers of carboxylic acid-terminated alkanethiol. The resulting multilayers were 

able to successfully transfect HEK293 and HUVEC cells in vitro with EGFP at high 

efficiencies, with continued EGFP expression for a period of over 9 days in the case of 

films composed of 5 layers (401). While this film system shows promise, it uses a high 

concentration of DNA in production and is limited in the types of release profiles it can 

yield. It would thus be of great interest to incorporate DNA-containing lipoplexes within 

a biocompatible PE film, rather than composing the multilayer itself entirely of DNA and 

lipoplexes.  

 

As gene delivery vectors do not diffuse readily through most LbL multilayer systems, it 

is crucial to select PEs that allow for controlled film dissolution under physiological 

conditions. The biodegradable, naturally-derived polysaccharides chitosan (CHI) and 
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hyaluronic acid (HA) have been incorporated into multilayer film architectures for a 

variety of bioapplications, including successful in vitro transfection when incorporating 

adenoviral or PEI-condensed vectors (249, 250). However, studies have indicated that 

many cell lines exhibit decreased adhesion to CHI/HA multilayer films, particularly as 

the number of layers are increased (208), thus suggesting transfection from these films 

may be far from optimal. We have recently developed an alternative film system utilizing 

glycol-modified chitosan (Glyc-CHI), and have demonstrated that Glyc-CHI/HA films 

exhibit significantly improved cellular adhesion compared to corresponding films 

consisting of unmodified chitosan, while maintaining many of their physical properties 

(402). Here we embed lipoplexes containing plasmid DNA within Glyc-CHI/HA 

multilayers, characterize the topography, morphology and release profile of the resulting 

LbL films, and use them to successfully transfect NIH3T3 fibroblasts and HEK293 

kidney cells in vitro. 
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6.3 Materials and Methods 
 

6.3.1 Materials: 

Hyaluronic Acid (HA) with a molecular weight of 74 kDa was purchased from Lifecore 

Biomedical (Chaska, MN, USA). Glycol-Chitosan (Glyc-CHI) with a molecular weight 

of approximately 80 kDa (via GPC) was purchased from Sigma-Aldrich. The plasmid 

encoding enhanced green fluorescent protein (pEGFP-C3) was acquired from Clontech 

(CA, USA). Lipofectamine 2000TM and subcloning efficiency DH5α competent E. coli 

cells were obtained from Invitrogen (CA, USA). NIH3T3 mouse embryonic fibroblast 

cells and HEK293 human embryonic kidney cells were supplied by American Type 

Culture Collection (ATCC, VA, USA). Sodium dodecyl sulphate (SDS) and sodium 

chloride (NaCl) were purchased from Sigma-Aldrich; cell culture cover glasses (15 mm, 

round) were obtained from Fisher Scientific. 

 

6.3.2 Plasmid Amplification and Purification: 

The 4.7 kb plasmid encoding enhanced green fluorescent protein (pEGFP-C3), driven by 

a human cytomegalovirus promoter (CMV) and containing a kanomycin resistance gene, 

was amplified in DH5α cells in the presence of kanomycin. Plasmid purification was 

performed using a Plasmid Maxi Prep Kit (Quiagen, CA, USA) according to 

manufacturer instructions, and the resulting plasmid DNA (pDNA) was re-suspended in 

MillQ water. The pDNA concentration and purity was measured using a UV 

spectrophotometer at 260 and 280 nm.  
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6.3.3 Formation and Characterization of DNA Lipoplexes: 

All lipoplexes were prepared at room temperature in a 0.1 M NaCl buffer solution, 

adjusted to pH 6.0 and filtered through a 0.22 µm PES stericup filtration unit (Milipore), 

at a ratio of 2 µL of Lipofectamine 2000TM to 1 µg of pEGFP. Briefly, two solutions of 

equal volume (150 µL in the case of film formation, and 500 µL in the case of particle 

characterization) were prepared, one containing either 1, 2, 4, or 6 µg of pEGFP DNA, 

and the other containing 2, 4, 8 or 12 µL of Lipofectamine 2000TM (i.e. at a ratio of 2 µL 

of lipid to 1 µg of plasmid), and left to stand for 10 min. These two solutions were then 

combined and incubated at room temperature for 15 minutes, before immediate use in the 

formation of films or for lipoplex characterization. 

 

The hydrodynamic diameter and polydispersity of the DNA lipoplexes were determined 

via low angle dynamic light scattering (DLS) at room temperature at a 90o angle (90Plus, 

Brookhaven Instruments, NY, USA), while lipoplex surface charge was characterized via 

zeta potential measurement (ZetaPALS, Brookhaven Instruments, NY, USA). DLS and 

zeta measurements were performed in a 0.1 M NaCl buffer solution, pH ~6.0.   

 

6.3.4 LbL Assembly of Films: 

Both Glyc-CHI and HA polyelectrolyte solutions were prepared at a concentration of 2 

mg/mL in 0.1 M NaCl buffer, adjusted to pH 6.0, and filtered through a 0.22 µm PES 

stericup filtration unit (Milipore). Prior to film deposition, cover glasses were cleaned in 

10 mM SDS for three hours, rinsed in distilled water three times, treated with 0.1 N HCl 

overnight and thoroughly rinsed in distilled water. LbL build up was achieved using the 
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pipette approach, wherein 300 µl of each polymer solution was deposited directly onto 

the cover glass, beginning with the polycation (Glyc-CHI). After the polymer was 

allowed to adsorb for 10 min, the polymeric films were rinsed twice in 0.1 M NaCl 

buffer. Then the polyanion, HA, was added, allowed to adsorb for 10 min and rinsed 

twice. This was repeated at each step of LbL deposition until 5 bilayers of film, with an 

additional terminating layer of Glyc CHI, i.e. [Glyc-CHI/HA]5Glyc-CHI, was formed. 

Next, 300 µL of DNA-Lipoplex solution, containing 2, 4, or 6 µg of pEGFP, was added 

to the films, allowed to adsorb for 2 hours, and rinsed once in 0.1 M NaCl buffer.  These 

DNA lipoplex containing films were then either used as is, or covered with a further 2 or 

4 bilayers and a terminating layer of Glyc-CHI, thus forming: [Glyc-CHI/HA]5Glyc-CHI-

Lipo or “surface adsorbed” films; [Glyc-CHI/HA]5Glyc-CHI-Lipo-[Glyc-CHI/HA]2Glyc-

CHI or “two overlying bilayer” films; and [Glyc-CHI/HA]5Glyc-CHI-Lipo-[Glyc-

CHI/HA]4Glyc-CHI films or “four overlying bilayer” films, respectively.  

 

6.3.5 Atomic Force Microscopy: 

The topography of DNA lipoplex containing Glyc-CHI/HA films was imaged by atomic 

force microscopy (AFM) in “wet” conditions using the Nanoscope III (Digital 

Instruments, USA) system in the tapping mode. Samples were analyzed within a 

multimode fluid cell (model MTFML, Veeco) filled with 0.1 M NaCl solution (pH 6), 

using a silicon nitride probe with a nominal spring constant of 0.3 N/m and a nominal 

radius of curvature of 20 µm (model NP, Veeco). A 20 µm x 20 µm area was scanned at 

a rate of 1 Hz using the minimum amount of force required to obtain steady images. 

Mean RMS surface roughness was calculated using Nanoscope v 5.12r5 software.  
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6.3.6 Scanning Electron Microscopy: 

DNA lipoplex-containing film morphology was characterized with a Hitachi S-4700 field 

emission gun scanning electron microscope (FEG-SEM). Prior to imaging, film samples 

were dehydrated in an increasing series of ethanol solutions (30 – 100 % in water); with a 

10 min incubation for each step in the series.  Samples were then critically point dried in 

CO2 and gold-palladium-coated, via sputter coating under an argon atmosphere, prior to 

SEM analyses. 

 

6.3.7 Quantification of DNA Film Content and Release: 

DNA lipoplex containing Glyc-CHI/HA films were formed on cover glasses placed 

within 24 well tissue culture plates (Falcon) and incubated in 1 x PBS solution, pH= 7.4, 

at 37°C in a humidified atmosphere of 5% CO2. The supernatant was removed and 

replaced with fresh PBS solution each day.  The amount of DNA within the supernatant 

was measured via the Quant-iT PicoGreen assay (Molecular Porbes, Invitrogen) 

according to manufacturer specifications. Briefly, an equal volume of 0.2 % w/v heparin 

sulphate (Sigma) solution in 2 x TE buffer was added to the supernatant solution (final 

concentration of 0.1% w/v heparin in 1 x TE buffer) in order to decomplex the plasmid 

from the lipoplex, thus allowing the Picogreen stain access to the DNA. Fluorescence 

was then measured using a fluorescent plate reader (Flx800, Bio-Tek Instruments, VT, 

USA) using excitation and emission wavelengths of ~480 nm and ~520 nm, respectively. 

A series of DNA standards in 0.1% w/v heparin, 1 x TE buffer was produced and 

measured for reference.  
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In order to indirectly measure the quantity of DNA embedded within the Glyc-CHI/HA 

films, the plasmid content of the lipoplex solution before and after deposition, as well as 

the DNA concentration of the rinsate was measured via the Picogreen assay as described 

above.   

  

6.3.8 Cell Culture and Transfection: 

NIH3T3 mouse embryonic fibroblast cells, and HEK293 human embryonic kidney cells 

(ATCC) were grown in Dulbecco’s minimum essential medium (DMEM, ATCC) 

supplemented with 10% fetal calf serum (FCS, ATCC) and 1% penicillin/streptomycin 

(Invitrogen) and incubated at 37°C in a humidified atmosphere of 5% CO2. 

 

[Glyc-CHI/HA]5Glyc-CHI-Lipo,[Glyc-CHI/HA]5Glyc-CHI-Lipo-[Glyc-CHI/HA]2Glyc-

CHI, and [Glyc-CHI/HA]5Glyc-CHI-Lipo-[Glyc-CHI/HA]4Glyc-CHI films, containing 2, 

4, or 6 µg of pEGFP, were built in 24 well tissue culture plates (Falcon), as described 

above with a few modifications. After the first three bilayers of film were formed (i.e. 

[Glyc-CHI/HA]3), samples were sterilized with 70% (v/v) ethanol for 30 min and then 

washed in the following ethanol series for 15 min each: 50%, 20% and 10%. To ensure 

complete removal of the ethanol, substrates were then washed three times (5 min each 

wash) in 0.1 M NaCl buffer, pH 6. Film deposition then continued under sterile 

conditions and using sterile solutions, with a polyelectrolyte deposition time of 20 min 

employed for the first sterile bilayer (i.e. the 4th bilayer), and 10 min used for all 

subsequent bilayers. It should be noted that during the washing and media equilibration 

steps, all of the substrates, including the controls, were treated in the same manner.  
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After film formation, NIH3T3 or HEK293 cells were prepared for seeding. Cells were 

trypsinized and spun down at 1000 rpm for 5 min, re-suspended in fresh media, and the 

cell concentration was determined using a hemocytometer. A seeding population of 5 x 

104 cells (in a volume of 500 µl) was added to each of the wells and incubated at 37°C in 

a humidified atmosphere of 5% CO2 for 2, 4 or 7 days, with media exchange being 

performed every 2 days. As a positive control, bolus transfections were performed on 

cells seeded on [Glyc-CHI/HA]5Glyc films. Briefly, 25 µL solutions containing either 2 

µg of pEGFP or 4 µL of Lipofectamine 2000TM were prepared separately in 0.1 M NaCl 

buffer (pH= 6.0), combined and incubated at room temperature for 15 min., and added to 

the seeded cells. Negative controls consisted of cells seeded on [Glyc-CHI/HA]5Glyc 

films, and cells seeded on [Glyc-CHI/HA]5Glyc-CHI-Lipo*-[Glyc-CHI/HA]2Glyc-CHI 

films, where the lipoplexes were formed with blank plasmid DNA in place of pEGFP. 

 

6.3.9 Fluorescence Microscopy: 

Fluorescent images of transfected cells after 2, 4 or 7 days were acquired with a 

stereoscopic zoom microscope (SMZ1500, Nikon) equipped with a high pressure 

mercury lamp (C-SHG1, Nikon; USA), the appropriate set of filters for fluorescein 

(FITC) excitation and emission, and a digital camera (DXM1200F, Nikon) operated with 

the ACT-1 software. 
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6.3.10 Fluorescent Activated Cell Sorting Analysis: 

Cellular transfection efficiency and cytotoxicity after 2, 4 or 7 days was assessed via 

fluorescent activated cell sorting (FACS). After removing the media, samples were rinsed 

once in PBS and cells were trypsinized for 5 min (0.05% trpsin-EDTA, Invitrogen). Next, 

1 mL of 2% FBS in PBS was added to each well and cells were spun down at 250 x g for 

5 min. Cells were then re-suspended in 300 µl of 2% FBS in PBS, transferred into FACS 

tubes, and 3 µl of  40 µg/mL propidium iodide (PI) was added to each sample. Samples 

were then directly FACS analyzed using the BD FacsCalibur system (BD Biosciences, 

USA), equipped with a 488 nm argon laser to excite both PI and GFP, with 10,000 cells 

per sample assessed. FACS data was subsequently analyzed for GFP and PI expression 

using FlowJo software (Treestar Inc., OR, USA), using appropriate gates and controls.  

 

6.3.11 Statistics: 

Statistical analyses of data were performed using the software package SPSS/PASW 

Statistics v18.0 (SPSS Inc., Chicago, IL). All data are presented as mean ± STD. The 

significance level was set at p < 0.05. As most data either failed the Shapiro-Wilk test for 

normality and/or the Levene’s test for homogeneity of variance, or were of small sample 

size, Kruskal-Wallis non-parametric analyses were performed.  
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6.4 Result and Discussion 
 

6.4.1 Lipoplex and Film Characterization: 

The size, surface charge and polydispersity of the lipoplexes used in this study, formed 

from the complexation of plasmid DNA encoding enhanced green fluorescent protein 

(pEGFP) with Lipofectamine2000TM, are presented in Table 6.1. Increasing the amount 

of DNA increased the resulting lipoplex size, from 360 ± 59 nm in diameter for 2 µg of 

plasmid to 754 ± 59 nm for 6 µg, while the polydispersity index remained fairly constant. 

All lipoplexes exhibited a net negative surface charge, around -40 mV, and were thus 

subsequently sandwiched between polycationic Glyc-CHI layers when forming LbL 

films.  

 

 
TABLE 6.1: Physical characterization of pEGFP containing lipoplexes.  Lipoplexes were 
formed at a ratio of 2 µL of Lipofectamine2000TM to 1 µg of plasmid using the indicated 
amount of DNA. The size and polydispersity of the resulting complexes were determined via 
low angle dynamic light scattering (DLS), while particle surface charge was characterized 
via zeta potential measurement. Data presented is from 3 separate experiments (n  =  9). 
 

Previous studies of DNA-Lipofectamine2000TM complexes have yielded both negatively 

charged (109, 400, 403) and positively charged (404) particles, broadly ranging in 

hydrodynamic diameter from 100-1000 nm (400, 403-405). The observed wide variety in 
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lipoplex properties, including those seen in this study, are mainly due to differences in the 

conditions employed for particle formation, including: the size, type and amount of 

plasmid used; the ratio of lipid to DNA utilized; the volume and properties of the solution 

in which they are complexed (e.g. presence of serum and/or ionic species such as 

calcium, pH); and complexation time.  

 

FIGURE 6.1: AFM imaging of the surface topography of lipoplex-contaning polyelectrolyte 
films constructed using 2  µg (B,E,H), 4  µg (C,F,I) or 6  µg (D,G,J) of pEGFP DNA. 
Lipoplexes formed using the indicated amounts of DNA were adsorbed on the surface of 
[Glyc-CHI/HA]5Glyc-CHI films (B,C,D), and then covered with a further 2 film bilayers 
(E,F,G), or 4 film bilayers (H,I,J). A close-up scan of a [Glyc-CHI/HA]5Glyc-CHI film 
without any adsorbed lipoplexes is presented for comparison (A). Scan size = 20 µm (B-J), 
Z-range  =  250 nm (A, C), 350  nm (B,D-F,H,I), or  450  nm. 
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Atomic force microscopy (AFM) images of surface adsorbed (Fig. 6.1 B-D), two bilayer 

overlying (Fig. 6.1 E-G) and four bilayer overlying (Fig. 6.1 H-J) films revealed that 

DNA lipoplexes tended to adsorb upon the multilayer surface (Fig. 6.1 A) as large 

(averaging 2-3 µm) aggregates of varying size, as opposed to individual particles with 

sizes similar to the effective hydrodynamic diameters determined via DLS analysis. In 

the case of the surface adsorbed films, the AFM images also clearly displayed the 

structure of the underlying film, visible underneath and surrounding the large adsorbed 

particles, which was similar to that of bare [Glyc-CHI/HA]5Glyc-CHI films (Fig. 6.1 A) 

and to that observed in our previous studies (402). As the DNA-lipoplexes were covered 

with an increasing number of bilayers (centre and right), the areas surrounding the 

particles gradually appear smoother.   

 

 

FIGURE 6.2: SEM images of film morphology of polyelectrolyte films constructed using 4 
µg of pEGFP at 1,000 times (A-C) and 25,000 times (D-F) magnification. Lipoplexes were 
adsorbed on the surface of [Glyc-CHI/HA]5Glyc-CHI films (A,D), and then covered with a 
further 2 film bilayers (B,E), or 4 film bilayers (C,F). 
 



124 

This coating over of the surface-bound lipoplexes is more apparent on scanning electron 

microscopy (SEM) images (Fig. 6.2). SEM of PE multilayers formed with 4 µg of DNA 

revealed that DNA-Lipofectamine2000TM complexes adsorbed on the film surface as 

clusters of smaller particles of varying size, often joined together via strand-like 

structures (Fig. 6.2 A, D). These details of particle structure become less distinct as the 

lipoplexes are covered with a further 2 (Fig. 6.2 B,E) and then 4 (Fig. 6.2 C, F) bilayers 

of PE film. The clustered globule-like appearance of the surface adsorbed DNA-

Lipofectamine2000TM complexes observed here is very similar to that seen via SEM for 

comparable particles composed of DNA and various lipids (406, 407).   

 

The presence of large lipoplex aggregates forming on the PE film surface is not entirely 

surprising due to the long particle adsorption time used. DNA-lipid complexes are often 

known to form aggregates with time after preparation, particularly at high concentrations, 

which is one of the reasons they are prepared fresh before use (408). Indeed, our 

lipoplexes formed using 4 µg of DNA were found to aggregate in solution from an 

average diameter of 585 ± 54 nm, to approximately 1081 ± 18 nm after one hour, and to 

around 1291 ± 48 nm after two hours.  Interactions between the lipid portion of the DNA 

complexes and the underlying PE layer may also contribute to aggregation or lipoplex 

deformation at the film surface. Previous studies of unilamellar lipid vesicles embedded 

within PGA/PAH films similarly showed vesicle fusion or aggregation into structures 

much larger (400-1000 nm) than those of individual vesicles in solution (200 nm) (409).  
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6.4.2 Lipoplex Embedding Efficiency and DNA Release: 

By measuring the DNA concentration, via the PicoGreen assay, of the lipoplex solution 

before and after deposition, as well as the DNA concentration of the rinsate, the actual 

pEGFP content within the PE films was indirectly determined. Films formed with 2 µg of 

plasmid were found to contain 712 ± 44 ng of DNA, representing an embedding 

efficiency of 32%, while those built with 4 µg and 6 µg contained 1259 ± 175 ng (31%), 

and 1271 ± 417 ng (21%), respectively. The electrostatically-mediated adsorption of 

lipoplexes thus appears to saturate at approximately 600 ng/cm2 of DNA for this Glyc-

CHI/HA film system. In comparison, previous work examining surface adsorption of 

DNA-Lipofectamine2000TM complexes to tissue culture plastic found that 2 hours of 

incubation yielded a DNA surface density of around 200-300 ng/cm2, which rose 

significantly to approximately 4 µg/cm2  after 24 hrs of adsorption (109). As in our study, 

the adsorbed DNA density was found to depend upon the quantity of DNA used, 

however, in direct contrast to our results, lower amounts of incubated plasmid (0.5 vs 2 

µg) resulted in greater overall DNA density and loading efficiency (109). Yaumuchi and 

coworkers, meanwhile, achieved a DNA surface density of under 300 ng/cm2 for the LbL 

deposition of 3 layers of lipoplexes, which were alternated with 2 layers of free plasmid, 

in their stent coating study (401).  

 

DNA release from “2 µg”, “4 µg” and “6 µg” [Glyc-CHI/HA]5Glyc-CHI-Lipo, [Glyc-

CHI/HA]5Glyc-CHI-Lipo-[Glyc-CHI/HA]2Glyc-CHI, and [Glyc-CHI/HA]5Glyc-CHI-

Lipo-[Glyc-CHI/HA]4Glyc-CHI films incubated in PBS, pH = 7.4, at 37oC was measured 

each day for a period of one week (Fig. 6.3). All films were found to be fairly stable, with 
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less than 5% of embedded DNA released cumulatively by day 7 for any film type. 

Unsurprisingly, in the case of maximally loaded “4 µg” and “6 µg” films, less DNA was 

released when the lipoplexes were embedded within 2 or 4 bilayers than when the 

lipoplexes were simply adsorbed onto the surface. These results bear resemblance to 

previous studies, where ~6% of DNA from the lipoplexes adsorbed to tissue culture 

plastic were released in PBS over one week (109), and less than 10% of adsorbed DNA 

was released in PBS for a single layer of lipoplexes in the stent coating study (401). 
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FIGURE 6.3: Cumulative DNA released over 7 days for Glyc-CHI/HA films constructed 
using 2 µg, 4 µg or 6 µg of pEGFP and with the following architectures: [Glyc-
CHI/HA]5Glyc-CHI-Lipo (filled), or [Glyc-CHI/HA]5Glyc-CHI- Lipo[Glyc-CHI/HA]NGlyc-
CHI films, where N=2 (lines) or 4 (empty). DNA released into the PBS supernatant was 
measured via the Picogreen assay each day and the cumulative amount released over 7 days 
was calculated and compared to the amount of DNA embedded within each film. Data 
presented represents the mean ± STD for 3 separate experiments. (n=9) 

 

6.4.3 Transfection Efficiency and Cytotoxicity: 

Initial 48 hr transfection studies performed using NIH3T3 fibroblast cells revealed a 

significant difference in transfection efficiency as the amount of DNA used to construct 

the film varied (χ2= 26.277, p<0.001). More specifically, an increase in transfection 

efficiency was observed between “2 µg” and “4 µg” films, but no significant increase for 
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“6 µg” films, with a maximum transfection efficiency of approximately 14% (Fig 6.4A). 

These results closely reflect the observed saturation in DNA content between “4 µg” and 

“6 µg” films, as mentioned above. Films constructed using 4 µg of un-complexed 

plasmid DNA exhibited less than 1% transfection efficiency (data not shown). 
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FIGURE 6.4: NIH3T3 transfection efficiency (top) and death (bottom) after 48 hrs of 
growth on [Glyc-CHI/HA]5Glyc-CHI-Lipo[Glyc-CHI/HA]NGlyc-CHI films, where N=0 
(filled), 2 (lines) or 4 (empty).  Lipoplexes were formed from the indicated amount of 
pEGFP. Data presented represent the mean percentage of GFP-expressing (A) or PI-
staining (B) cells, as determined via fluorescent activated cell sorting,  ± STD for 3 separate 
experiments. (n=9). (Stats, for amount of DNA: χ2= 26.277, p<0.001 for GFP, χ2= 40.130, 
p<0.001 for PI; for No. of bilayers: χ2= 1.552, p=0.460 for GFP; χ2= 0.35, p=0.983 for PI) 
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Film cytotoxicity was also found to increase along with the amount of DNA used to 

construct the films (χ2= 40.130, p<0.001), with a maximum of 22% of cells staining for 

PI (Fig 6.4B). This continued increase in cytotoxicity, even after DNA saturation is 

achieved, may be due to a possible increase in lipid content between “4 µg” and “6 µg” 

films. Interestingly, overall there was no significant difference between films where the 

lipoplexes were simply surface adsorbed or films with 2 or 4 overlying bilayers (χ2= 

1.552, p=0.460 for GFP; χ2= 0.35, p=0.983 for PI). However, when solely examining 

films constructed using 2 µg of pEGFP, a decrease in transfection efficiency when 

surface adsorbed lipoplexes were covered with 2 bilayers was observed, which recovered 

to initial levels when covered with 4 bilayers.  

 

Positive controls, consisting of NIH3T3 cells seeded on [Glyc-CHI/HA]5Glyc-CHI films 

and bolus transfected with lipoplexes prepared with 2 µg of DNA, yielded a transfection 

efficiency of approximately 18% and 23% PI staining. It is important to note that our 

bolus transfection conditions involved cell-lipoplex contact in serum-containing media 

for the entire 48 hour experimental period. This likely accounts for the lower transfection 

efficiency and higher cytotoxicity observed here in comparison to typical bolus 

transfection studies which involve 4-8 hours of contact in serum-free media.   

 

Higher transfection efficiencies were observed for HEK293 cells 48 hours post 

transfection (Fig 6.5A and 6.5B). Again the amount of DNA employed in constructing 

the film had a significant effect (χ2= 32.890, p<0.001), with an increase in transfection 

efficiency observed between “2 µg” and “4 µg” films, and no significant increase for “6 
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µg” films. However, this time a maximum transfection efficiency of over 20% was 

observed.  
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FIGURE 6.5: HEK293 transfection efficiency (top) and death (bottom) after 48 hrs of 
growth on [Glyc-CHI/HA]5Glyc-CHI-Lipo[Glyc-CHI/HA]NGlyc-CHI films, where N=0 
(filled), 2 (lines) or 4 (empty).  Lipoplexes were formed from the indicated amount of 
pEGFP. Data presented represent the mean percentage of GFP-expressing (A) or PI-
staining (B) cells, as determined via fluorescent activated cell sorting,  ± STD for 2 separate 
experiments. (n=6).  (HEK293 stats, for amount of DNA: χ2= 32.890, p<0.001 for GFP, χ2= 
28.104, p<0.001 for PI; for No. of bilayers: χ2= 2.402, p=0.301 for GFP; χ2= 1.373, p=0.503 
for PI) 
 

A similar increase in film cytotoxicty alongside increasing amounts of incubated DNA 

was also exhibited (Fig 6.5B), with a maximum of 25% of cells staining for PI (χ2= 
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28.104, p<0.001). Also similar to results for NIH3T3 fibroblasts, no significant 

differences between films with zero, 2 or 4 overlaying bilayers were generally observed 

(χ2= 2.402, p=0.301 for GFP; χ2= 1.373, p=0.503 for PI), with the exception of films 

constructed with 2 µg of DNA. However, in this case, the transfection efficiency and 

cytoxicity decreased with the addition of overlaying bilayers. Bolus transfected HEK293 

cell controls yielded a transfection efficiency of approximately 36% alongside 41% PI 

staining. Again the lower bolus transfection efficiency and higher cytotoxicity observed 

compared to typical bolus experiments is likely due to the extended period of cell contact.  

 

Given that the transfection efficiencies exhibited by HEK293 cells were higher than those 

observed for NIH3T3 cells, all transfection studies of further time points were conducted 

solely with HEK293 cells. Also, since no significant increase in transfection efficiency 

was observed between “4 µg” and “6 µg” films, we present time course transfection data 

for “4 µg” films only.  

 

Examining film-based transfection 2, 4 and 7 days post transfection via fluorescence 

microscopy suggests an increase in the number of GFP expressing cells with time (Figure 

6.6). When the actual transfection efficiency is measured via FACS analysis (Fig 6.7, 

left), this increase in transfection efficiency is found to be significant (χ2= 6.908, 

p=0.032), although smaller (~4% maximum difference between day 2 and 7) than 

apparent from microscopy. Likewise, cytotoxicty, as indicated by the number of PI 

staining cells (Fig 6.7, right), was found to be maximal (up to ~8% difference between 

days 2 and 7) for all film types on day 7 (χ2= 17.397, p<0.001). This increase in 
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cytotoxicity over time may be due to the prolonged contact time between the lipoplexes 

and the cells. 

 

FIGURE 6.6: Representative bright field and fluorescence microscopy images of HEK293 
cells after 2 (left), 4 (centre) and 7 (right)  days on polyelectrolyte films constructed using 4 
µg of pEGFP, and with the following architectures: [Glyc-CHI/HA]5Glyc-CHI- Lipo (top), 
or [Glyc-CHI/HA]5Glyc-CHI- Lipo[Glyc-CHI/HA]NGlyc-CHI films, where N=2 (centre) or 
4 (bottom). 
 

While covering the lipoplexes with layers of PE film might intuitively be expected to 

somewhat delay transfection, this effect was not observed. Instead, although there was 

little difference on day 2 post-transfection, by days 4 and 7 the transfection efficiency 

was found to be lower as the number of overlying film bilayers increased, with the 

greatest difference observed on day 7 (χ2= 9.191, p=0.01). These observed reductions in 

transfection efficiency were small (maximum ~6% between no covering layers and 4 

covering bilayers), yet unexpected.  Meanwhile, overall the number of overlying bilayers 

was found to have no statistically significant effect on cytotoxicity (χ2= 4.260, p=0.119), 

even though on day 7 films with 4 covering bilayers appear to show ~7% less PI than 

films with no covering bilayers.   
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FIGURE 6.7: HEK293 transfection efficiency (left) and death (right) over time on [Glyc-
CHI/HA]5Glyc-CHI- Lipo[Glyc-CHI/HA]NGlyc-CHI films, where N  =  0 (filled), 2 (lines), 
or 4 (empty). Lipoplexes were formed from 4 µg of pEGFP. Data presented represent the 
mean percentage of GFP-expressing (top) or PI-staining (bottom) cells, as determined via 
fluorescent activated cell sorting, ± STD (n  =  6). (Stats for No. of bilayers: χ2= 9.191, 
p=0.01 for GFP, χ2= 4.260, p=0.119 for PI; for day: χ2= 6.908, p=0.032 for GFP, χ2= 17.397, 
p<0.001 for PI) 
 

The small but significant decrease in transfection efficiency observed with increasing 

bilayer coverage for day 4 and 7 post transfection could be due to a combination of 

factors. For example, any destabilizing interactions between the lipoplexes and PE layers 

are likely to be greater as the number of overlying bilayers is increased and this effect 

may further be exacerbated with time. It is also possible that lower amounts of plasmid 

DNA were actually embedded in films with higher numbers of covering bilayers, since 

the increased number of washing steps during preparation could have leached out DNA. 

The lack of anticipated time delay in transfection with increasing film coverage, on the 

other hand, may be due to an insufficient number of overlying bilayers or the time period 

we chose to observe. For comparison, sequential transfection of COS cells was achieved 

over a time scale of 2 to 8 hours in an influential study which embedded two cyclodextrin 

complexed plasmids, one encoding EGFP and the other a nuclearly expressed protein, 

within PLGA/PLL films (249). The film architecture employed in that case sandwiched 

each plasmid layer between 5 bilayers of film, similar to our 4 overlying bilayer films, 

0

5

10

15

20

25

30

35

2 4 7
Time (day)

%
 G

F
P

+

surface 2 bilayers 4 bilayers

0

5

10

15
20

25

30

35

2 4 7
Time (day)

%
 P

I+

surface 2 bilayers 4 bilayers



133 

thus suggesting that in our study we may have looked too late to detect any differences in 

transfection kinetics between our films with surface adsorbed vs. embedded lipoplexes.     

 

As has been found in other studies (223), the transfection observed from our lipoplex 

containing films appears to be mediated via direct cellular contact and/or interaction with 

the film rather than lipoplex diffusion. This is suggested by the observed stability of our 

films in PBS over a period of over one week, as well as preliminary studies conducted in 

serum-free media. In these experiments, lipoplex containing Glyc-CHI/HA films were 

incubated in serum-free media for 2 days.  When the collected supernatant from this 

period of incubation was added to control HEK293 cells grown on tissue culture plastic, 

no transfection was observed (data not shown). However, when HEK293 cells were 

seeded on the remaining films, successful substrate-mediated transfection was achieved, 

albeit at lower efficiencies than those observed on fresh films (data not shown).  

 

The transfection efficiencies achieved by our lipoplex film system may at first glance 

appear lower than those obtained by both the previously mentioned tissue culture plastic- 

adsorbed lipoplex study (109) and the LbL-based lipoplex stent coating study (401), 

which yielded transfection efficiencies of ~30% in NIH3T3 cells, and ~80% in HEK293 

cells, respectively. However, it is difficult to directly compare these results with ours due 

to the differing analysis methods used. In the former study, for example, the plasmid that 

was delivered encoded for luciferase and thus transfection was assessed via a 

luminometer (109). In the latter case, although an analogous gene encoding GFP was 

used, transfection efficiency was measured via randomized manual count of fluorescent 
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microscopy images (401), which may somewhat overestimate the number of GFP 

positive cells and does not take into account autofluoresence. However, in our work 

FACS analysis, a far more accurate technique for quantifying both transfection efficiency 

and cell death within the same samples, was employed. Additionally, the maximal ~80% 

transfection observed in the LbL stent coating study was for 5 layer films which contain 3 

layers of lipoplexes and 2 layers of plasmid DNA (401). When only a single layer of 

lipoplexes was used, a transfection efficiency similar to that observed here, ~20%, was 

found. This suggests that increasing the number of lipoplex-containing layers in our LbL 

film system might also significantly increase the transfection efficiency that can be 

achieved. Finally, while transfection for the LbL stent coating system peaked at day 3 

post-transfection and gradually decreased with time (401), our system was able to 

maintain transfection levels (or even increase them slightly) over at least 7 days. 



135 

6.5 Conclusions 
 

In this study we have successfully incorporated lipoplexes containing plasmid DNA 

within Glyc-CHI/HA polyelectrolyte multilayer films. We have further demonstrated that 

this lipoplex film system can be used to transfect both NIH3T3 fibroblasts and HEK293 

kidney cells in vitro, with the transfection efficiency varying depending on the cell type.  

Films supported transfection for a period of at least 7 days, with a small but statistically 

significant increase in efficiency and cytotoxcity observed over time. While the number 

of overlying film bilayers had no significant effect on transfection efficiency or 

cytotoxicity at 2 days post-transfection, by day 7 there was a small but significant 

decrease in transfection observed as the adsorbed lipoplexes were covered by greater 

number of bilayers. Future work with this film system will focus on incorporating more 

plasmid layers and varying the films architecture in order to achieve sequential gene 

delivery of multiple genes and a wider variety of transfection kinetic profiles. The 

lipoplex-containing Glyc-CHI/HA film system could easily be adapted to serve as a 

coating for stents, orthopaedic implants or 3D tissue engineering scaffolds, thus making it 

an attractive candidate for use in a variety of gene delivery applications.  

 

6.6 Acknowledgements 
 

The authors would like to thank L. Mongeon for assistance with SEM imaging, V. 

Sivakumar for assistance with DNA release studies, and Dr. H. Durham for access to 

bacterial work facilities. This work was funded by a National Science and Engineering 



136 

Research Council of Canada Discovery Grant, and the Canadian Institutes of Health 

Research Regenerative Medicine Grant. C A. Holmes is supported by a National Science 

and Engineering Research Council of Canada Graduate Scholarship. 

 

 

 

 
 

 



137 

Chapter 7: Optical Coherence Phase Microscopy for Non-
Invasive, Label-Free Monitoring of Tissue Structure and 
Viability in 3D Tissue Engineering Scaffolds 
 

One of the main challenges in developing inductive tissue engineering systems is 

assessing cellular growth and health within 3D scaffolds in a non-destructive manner. As 

a sub-objective of this thesis work, we validated that optical coherence tomography 

(OCT) could be used to image tissue structure and viability within our scaffold systems. 

OCT is a label-free, non-invasive, clinical imaging technique which is beginning to be 

applied to tissue engineering applications, mainly for structural imaging. However, we 

and others have begun to develop variations on OCT imaging in order to enable 

functional imaging. In a previous study, we demonstrated that phase fluctuations 

associated with cell viability can be recorded via optical coherence phase microscopy 

(OCPM). Here we build upon those results to demonstrate that OCPM can enable in situ, 

non-invasive, label-free imaging of tissue structure and viability within 3D scaffolds. We 

image two cell types seeded within two distinct scaffold systems with different 

architectures. We compare fluctuation imaging results with those of fixed cells and with 

viability assessments made via fluorescent live/dead labelling.  

 

The results of these studies are presented in the following manuscript entitled “Optical 

coherence phase microscopy enables label-free monitoring of tissue growth and viability 

in tissue engineering scaffolds” which was accepted in 2012 by the Journal of Tissue 

Engineering and Regenerative Medicine, and is currently in press. 
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7.1 Abstract 
 

As the field of tissue engineering continues to progress, there is a deep need for non-

invasive, label-free imaging technologies which can monitor tissue growth and health 

within thick 3D constructs.  Amongst the many imaging modalities under investigation, 

optical coherence tomography (OCT) has emerged as a promising tool, enabling non-

destructive in situ characterization of scaffolds and engineered tissues.  However, the lack 

of optical contrast between cells and scaffold materials using this technique remains a 

challenge. In this communication, we show that mapping the optical phase fluctuations 

resulting from cellular viability allows for the distinction of live cells from their 

surrounding scaffold environment. Viability imaging was performed via a common-path 

Optical Coherence Phase Microscope (OCPM); an OCT modality which has been shown 

to be sensitive to nanometer level fluctuations. More specifically, we examined the 

development of human adipose derived stem cells and/or murine pre-osteoblasts within 

two distinct scaffold systems; commercially available alginate sponges and custom 

microfabricated poly(D,L-lactic-co-glycolic acid) fibrous scaffolds. Cellular viability is 

demonstrated as an endogenous source of contrast for OCPM, enabling real-time, label-

free monitoring of 3D engineered tissue development.  
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7.2 Introduction 
 

The development of non-invasive, label-free 3D imaging technologies is vital to the 

future progress of tissue engineering and regenerative medicine. Assessment of in vitro 

engineered tissues requires accurate monitoring of tissue growth, morphology, viability 

and bioactivity over time within 3D constructs.  This challenge becomes even greater 

when one considers the thickness of the tissue constructs, the need for high imaging 

resolution, and the wide variety of cell types and scaffolding materials involved. As no 

one method can currently meet all these criteria, a combination of different techniques is 

typically used to evaluate various aspects of engineered tissue structure and health (269). 

The majority of these procedures are destructive end-point tests, such as histology, 

scanning electron microscopy (SEM), immunohistochemistry, and metabolic assays. 

These require the use of staining agents and sample processing and sectioning, thus 

preventing time-course studies and requiring numerous samples at great cost. The few 

techniques that do allow for real-time monitoring, such as confocal microscopy, are either 

limited in imaging penetration depth to a few hundred micrometres and/or require 

fluorescent labelling. 

 

Optical coherence tomography (OCT) is an interferometric imaging modality (362, 363) 

that has emerged as a promising tool for 3D monitoring of engineered tissues. Achieving 

micrometre scale resolution at millimetre scale penetration depths, OCT has been 

established as a clinical standard in ophthalmology (410), with further medical 

applications under investigation in the areas of dermatology, oncology and cardiology 
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(411, 412). Operating under a similar principle as ultrasound imaging, with the exception 

of measuring delays in backscattered light instead of sound, OCT enables non-invasive, 

real-time, label-free imaging both in vitro and in vivo (412).    

 

In the field of tissue engineering, OCT has been used to characterize scaffold architecture 

and porosity as well as to assess cell seeding, growth, and migration within hydrogels and 

scaffolds (367, 369-371, 413). However, with the exception of optically clear hydrogels, 

no clear optical contrast exists between cells and surrounding scaffold materials via OCT 

imaging.  

 

One OCT variant, known as spectral domain optical coherence phase microscopy 

(OCPM), can achieve quantitative phase contrast images that enable single cell mapping 

and the detection of nanometer-level fluctuations (366). Recently, we developed a 

common-path optical coherence phase microscopy system with a sensitivity that enabled 

the recording of phase fluctuations associated with cell viability in 2D and 3D (374). 

Similarly, Dunkers et al. (375) monitored cell viability with optical coherence 

microscopy via measurement of intensity speckle fluctuation. Finally, Nolte and 

collegues used digital holographic optical coherence imaging to record optical 

fluctuations in multicellular tumour spheroids and demonstrated that these fluctuations 

arise from cellular and intracellular motility (414, 415).   

 

Here we demonstrate that the optical fluctuations arising from live cells can be used as an 

endogeneous source of contrast between cells and surrounding scaffold materials. We 
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performed OCPM fluctuation imaging in 3D for a variety of engineered tissues, utilizing 

two distinct scaffold systems with different architectures and two cell types. Our results 

show that fluctuation imaging enables label-free, non-invasive monitoring of cell growth 

and viability within various polymeric scaffold systems.  
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7.3 Materials and Methods 
 

7.3.1 Optical Coherence Phase Microscopy (OCPM): 

The OCPM system used in this study (Fig 7.1A) was in a common path set-up, utilizing a 

strong reflection within the sample arm as a reference, rather than a separate reference 

arm as in a conventional Michelson interferometer. This resulted in an increase in phase 

stability as common noise was rejected more efficiently.  The system, as described 

previously (374),  was based upon a commercial OCT engine (Callisto, Thorlabs) with a 

superluminescent diode (SLD) light source centred around 930 nm with a FWHM 

bandwidth of 90 nm, providing a tissue resolution of approximately 5 μm.  The light was 

coupled out of the OCT engine into a single mode fibre and collimated onto a pair of 

galvanometers for raster scanning. The custom laser scanning head (LSH) was attached 

to an inverted microscope (SPi95, Brunel) and delivered to a custom scanning lens. A 

spectrum was measured at each x,y point of the sample at a rate of 1200 spectra per 

second, with 500 A scans collected in the x direction.  Fast fourier transforms of the 

spectra yielded both intensity and phase information along the depth, z. Intensity data 

were used to perform in-depth microstructural imaging. In addition, we recorded phase 

fluctuation measurements by collecting several successive B scans at the same location, 

and the maximum and standard deviation of the first time derivative of the phase, i.e. 

time fluctuations, were analysed over the acquisition time interval. 
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7.3.2 Scaffolds and Cell Seeding: 

Cell growth and viability were imaged and analyzed in two polymeric scaffolds systems 

with very different architectures. One was a commercially available alginate sponge, 

Algimatrix (Gibco), with a pore size range of 50-200 µm. The other was a custom 

microfabricated fibrous poly(D,L-latctic-co-glycolic acid) scaffold, described previously 

(33), with a layered mesh-like structure and an average pore size of approximately 260 

µm. Two different cell types were employed in these scaffold-seeding experiments: 

human adipose derived stem cells (ADSCs, Invitrogen) cultured in low serum MesenPRO 

RS media  supplemented with 2mM L-glutamine and MesenPRO RS growth supplements 

(Invitrogen); and murine MC3T3-E1 pre-osteoblasts (ATCC) grown in alpha minimum 

essential medium supplemented with 10% fetal bovine serum, 1% penicillin/streptomycin 

and 2 mM L-glutamine (Invitrogen). Both cell lines were incubated at 37°C in a 

humidified atmosphere of 5% CO2 until seeded onto scaffolds.   

 

Algimatrix scaffolds in 96 well tissue culture plates were conditioned overnight in ADSC 

media and statically seeded with ADSCs, according to manufacturer protocols, at a 

density of 3 x 105 cells/scaffold in a volume of 100 µL of ADSC media supplemented 

with 10% (v/v) Algimatrix Firming Buffer (Gibco). After 10 min of incubation, a further 

100 µL of ADSC media without firming buffer was added to each well. The next day, the 

cell-seeded scaffolds were transferred to a non-adherent 24 well plate and 1 mL of fresh 

ADSC media was added.  
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Meanwhile, PLGA scaffolds were sterilized prior to cell seeding via immersion in 70% 

ethanol for 30 min, followed by two rinses in phosphate buffered saline and subsequent 

UV irradiation for 30 min.  PLGA scaffolds in non-adherent 24 well plates were also 

conditioned overnight in either ADSC or MC3T3 media and subsequently seeded with 

either ADSCs or MC3T3s at a density of 1 x 106 cells/scaffold in a volume of 50 µL of 

the appropriate media. After 4 hours of incubation, a further 1.5 mL of the appropriate 

media was added to each well.  The following day, cell-seeded scaffolds were transferred 

to a fresh non-adherent 24 well plate and 1.5mL of fresh media was added. Both types of 

scaffolds were cultured for a period of at least 7 days with media exchanges performed 

every other day.   

 

7.3.3 Live/Dead Staining and Confocal Microscopy: 

In order to confirm that the cells scanned via OCPM were viable, day 7 MC3T3-seeded 

PLGA scaffolds were stained with calcein-AM and ethidium homodimer-1 

(LIVE/DEAD® Viability/Cytotoxicity Kit, Invitrogen, Canada) to label live and dead 

cells, respectively. Live/dead cell imaging was performed using a Zeiss LSM 510 

confocal microscope. 
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7.4 Results and Discussion 
 

Cell growth and viability within PLGA and AlgiMatrix scaffolds were monitored over 

time via OCPM scans performed every other day.  3D images of a 1 mm3 volume of 

scaffold morphology were produced by acquiring successive cross sectional 2D scans via 

laser scanning. Looking only at the 3D light intensity images of MC3T3 growth in PLGA 

scaffolds on day 1 (Fig 7.1B) and day 7 (Fig 7.1C), changes in construct morphology 

over time are evident.   

 

 
FIGURE 7.1: a) Schematic of the optical coherence phase microscope (OCPM) in inverted 
mode. OCPM produces 1mm3 3D pictures of scaffolds by acquiring successive cross 
sectionional images by laser scanning from beneath the sample. b) A PLGA printed scaffold 
seeded with MC3T3 cells at day 1 and c) day 7. At day 7 cells started to create a tissue-like 
structure. d) Corresponding 1mm x 1mm cross-sectional image in intensity mode. No 
contrast was observed between the cells and the scaffold. e) Phase fluctuation imaging 
highlighted the cell layer. f) Cell viability imaging is produced by combining the intensity on 
the green channel and phase fluctuation imaging mode on the red channel. Cell vitality is an 
endogenous source of contrast that enables label-free and noninvasive monitoring of live 
cells within 3D scaffolds. 
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On the first day, the underlying mesh-like 3D structure of the fibrous scaffold is quite 

clear. In places one can even discern the micro-porosity, due to salt-leaching, within the 

polymeric strands themselves. Meanwhile, at this early time point it is difficult to 

distinguish the pre-osteoblast cells from the polymeric strands on which they are 

growing, as the image contrast between the two is low. The cells at this stage are mostly 

apparent as small bulges around the strands.   

 

By contrast, at day 7 the gaps between polymer strands are becoming filled with tissue 

sheets and projections, indicating substantial cell growth.  Although there is much higher 

tissue volume at this stage, when one observes a 2D cross-sectional light intensity scan of 

the same scaffold (Fig 7.1D), there is still very low contrast between the cells and the 

polymeric material, making it particularly difficult to discern the cells where they are 

attached to the strands. The phase fluctuation scans of that same region of the scaffold 

(Fig. 7.1E), however, render the cell layer apparent. By overlaying the intensity image 

(green channel, Fig. 7.1F) and the phase fluctuation image (red channel, Fig. 7.1F), we 

can map cell viability to tissue morphology without the need for additional 

instrumentation or contrast agents. Cellular viability within day 7 MC3T3-seeded PLGA 

scaffolds was confirmed via live/dead staining and confocal microscopy. A representative 

Z-stack series of images (Fig. 7.2) indicates that, while there is some cell death within 

these scaffolds, most pre-osteoblasts remained viable.  
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FIGURE 7.2: Live/Dead (calcein/ethidium) confocal z-stack images (increasing in depth as 
indicated from left to right) of MC3T3 cells after 7 days growth on PLGA printed scaffolds. 
Scaffolds were imaged from beneath the sample to a depth of around 100 µm using a 10 x 
objective. Scan size approximately 1 mm x 1 mm. 
 

Using ADSCs, we have previously shown that the phase fluctuations recorded via OCPM 

likely correspond to nanometre-scale micromotion associated with viable cells (374). In 

order to confirm that these findings were not cell type dependent, we compared PLGA 

scaffolds containing live and dead MC3T3 pre-osteoblasts. Cell-seeded scaffolds were 

scanned on day 14 both before (Fig. 7.3 C, G, K) and after (Fig. 7.3 D, H, L) fixation. 

Light intensity scans of scaffold morphology showed little distinction between live (Fig. 

6.3 C) and fixed (Fig. 7.3 D) cells.  Phase fluctuation images, however, highlighted 

significant differences with live cells (Fig. 7.3 G) displaying strong fluctuation signals, 

while fixed cells (Fig 3H) showed only residual noise.  Overlaying the images (Fig. 7.3 

K, L), it is apparent that cellular viability itself serves as an endogenous source of 

contrast that enables label-free monitoring of live cells within 3D scaffolds. 
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FIGURE 7.3: OCPM intensity imaging (a-d) of live adipose derived stem cells cultured in 
Algimatrix (a), a commercial alginate porous scaffold, and in microplotted PLGA scaffolds 
(b) and compared to live (c) and fixed (d) MC3T3 cells in PLGA scaffolds, which clearly 
displayed the in-depth microstructure of the cell scaffold constructs. A priori knowledge of 
the blank scaffold structure enables an estimation of the cell distribution. The 
corresponding phase fluctuation imaging (e-h) highlighted specific areas of the culture that 
were found to correspond to live cell distribution, distinguishing it from the fixed scaffold 
(h) where only residual noise was observed. This was clearly confirmed by cell fluctuation 
mapping (i-l) demonstrating the potential of OCPM for label free and live imaging of tissue 
engineering structures. All images are 1 mm x 1 mm. 
 
 

To further demonstrate the flexibility of fluctuation imaging, we imaged ADSCs seeded 

on our PLGA scaffolds (Fig. 7.3 B, F, J) as well as on architecturally and mechanically 

different Algimatrix matrices (Fig. 7.3 A, E, I).  The ADSCs produced a thicker tissue 

within the PLGA scaffolds than the MC3T3 cells had, as was apparent in both the light 

intensity (Fig. 7.3 F) and phase fluctuation (Fig. 7.3 J) scans.   As observed via the light 

intensity image (Fig. 7.3A), the morphology of the AlgiMatrix scaffold was significantly 
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different from the PLGA scaffolds, appearing sponge-like with thin interconnected walls.  

Similar to the other system, the light intensity contrast between the cells and matrix 

material was low, with the cells mainly distinguishable as brighter clusters within the 

pores.  Again, it is the phase fluctuation image that emphasizes the location of the live 

cells (Fig. 7.3 E), with the alginate material of the scaffold itself providing little to no 

signal.  Combining phase fluctuation and light intensity scans in either engineered tissue 

(Fig. 7.3 I, J) once more illustrates the promise of fluctuation imaging to provide non-

invasive, real-time, label-free mapping of cell viability to overall 3D tissue morphology. 

 

As indicated by Figure 7.1 B and C, 3D OCPM scans offer the capability of quantifying 

changes in tissue volume and cell–to-scaffold volume ratio over time provided initial 

scans of un-seeded scaffolds are performed.  However, the estimated changes in total cell 

volume will also include any non-viable cells within the tissue.  By contrast, fluctuation 

imaging allows for the quantification of viable cell volume over time without the need for 

prior blank scaffold scanning, as the scaffolding material itself yields only a residual 

noise signal which can be corrected.   
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7.5 Conclusions 
 

Overall, we have demonstrated that fluctuation imaging, as achieved by our optical 

coherence phase microscopy (OCPM) system, creates an endogenous cell to scaffold 

contrast that enables real-time, non-invasive, label-free mapping of cellular viability to 

3D tissue morphology. We have further demonstrated that this system can be used in a 

variety of engineered tissue systems by monitoring pre-osteoblasts and adipose derived 

stem cells in two distinct scaffold systems composed of different polymers and 

possessing dissimilar architectures. These results, alongside the capability for 

quantification of viable cellular volume, highlight the great potential of motility imaging 

as a tool for monitoring 3D tissue growth and health within complex tissue engineered 

constructs.    
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Chapter 8: Glycol-Chitosan/Hyaluronic Acid Film-Based 
Coatings Support Cell Growth and Viability on 3D Polymeric 
Scaffolds and Enable Scaffold-Based Gene Delivery 
 

As the final phase of this thesis work, the glycol-chitosan/hyaluronic acid film system 

was extended for use in inductive tissue engineering systems. First we demonstrated that 

Glyc-CHI/HA films could be successfully deposited onto a 3D model, porous scaffold 

system microfabricated from poly(lactic-co-glycolic acid) (PLGA). We then confirmed 

that these LbL-coated scaffolds could successfully support in vitro cell adhesion, growth 

and viability for a period of at least two weeks via live/dead staining coupled with 

confocal microscopy and optical coherence phase microscopy (OCPM). Lipoplexes, 

formed by complexing Lipofectamine2000TM and plasmid DNA encoding the fluorescent 

marker gene EGFP, were then incorporated within the LbL coating in order to enable 

scaffold-based gene delivery. The in vitro transfection efficiency and cytotoxicity of 

these coated scaffolds was then assessed for HEK293 human embryonic kidney cells via 

fluorescence microscopy and fluorescence activated cell sorting (FACS) analysis, and 

compared that that of uncoated control scaffolds with surface adsorbed lipoplexes.     

 

The results of this work are presented here in the manuscript entitled “Glycol-

chitosan/hyaluronic acid polyelectrolyte multilayer coatings for tissue engineering and 

scaffold-based non-viral gene delivery” which will be submitted in 2013 to the journal 

Biomaterials. 
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8.1 Abstract 
 

Although a variety of delivery strategies are being explored in the field of inductive tissue 

engineering, the milder processing conditions typically required often restrict the range of 

scaffold properties and architectures that can be produced. Layer-by-layer (LbL) 

deposition is a simple technique which can overcome many of these limitations and has 

been extensively used for controlled release of proteins, drugs, and genes from 

microcapsules and 2D films. Here we demonstrate that a polyelectrolyte multilayer film 

system composed of glycol-chitosan (Glyc-CHI) and hyaluronic acid (HA) can be used to 

coat 3D microfabricated polymeric tissue engineering scaffolds. These LbL coated 

scaffolds are shown to support in vitro cell adhesion, growth, and viability for a period of 

at least two weeks at levels similar to or higher than uncoated controls. These 

polyelectrolyte multilayer coatings were then further adapted for non-viral gene delivery 

applications via incorporation of gene delivery lipoplexes. Scaffold-based delivery of the 

EGFP marker gene was successfully demonstrated in vitro in HEK293 cells for Glyc-

CHI/HA coated scaffolds, which exhibited significantly higher transfection efficiencies 

than uncoated control scaffolds with surface adsorbed lipoplexes. These results show the 

great potential of glycol-chitosan/hyaluronic acid polyelectrolyte multilayer films for a 

variety of gene delivery and inductive tissue engineering applications. 
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8.2 Introduction 
 
In order for the vast therapeutic potential of tissue engineering to be realized, three-

dimensional (3D) scaffolds that can direct cell behaviour and tissue architecture must be 

realized. Scaffold-based gene delivery offers several potential advantages as an approach 

to inductive tissue engineering. Compared to systemic gene therapy approaches, gene-

releasing scaffolds localize transfection to the cells directly in the implant area, increase 

transfection efficiency, and prolong vector delivery (416). Meanwhile, conserving DNA 

sequence information is easier than preserving the 3D structure of protein growth factors, 

thus leading to greater flexibility in scaffold design parameters. Additionally, by inducing 

host cells to locally produce growth factors, the resulting proteins are more likely to 

possess the appropriate conformation and post-translational modifications, and thus 

greater bioactivity, than the recombinant proteins typically released from scaffolds. 

Furthermore, the ability to deliver genes that encode for transcription factors and other 

intracellular proteins, as well as the capability to achieve tissue-specific expression, 

broadens the cellular processes that can be targeted.  

 

To date, a wide variety of methods have been explored to control scaffold-based delivery 

of naked plasmids, or DNA incorporated within adenoviral vectors, lipoplexes, or 

polyplexes (reviewed in (64, 65)). Bulk scaffold incorporation of naked and condensed 

plasmids can be achieved via gas foaming (417, 418), encapsulation within hydrogels 

(419), electrospinning (420), thermally induced phase separation (421), or the inclusion 

of DNA-loaded polymeric micro- or nano-spheres (77, 422). These techniques generally 

result in systems characterized by an initial burst release of DNA followed by slower 
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release that is controlled by the diffusion and degradation rate of the matrix. 

Alternatively, non-specific surface adsorption of gene delivery vectors onto scaffold 

surfaces is also commonly performed, with surfaces often modified in order to encourage 

vector-surface interactions (69). However, these strategies generally lead to low levels of 

gene loading and poor control of release kinetics. In order to provide more control over 

the DNA release rate, direct immobilization of gene delivery vectors to scaffold surfaces 

via covalent cross-linking, or approaches involving antibody/antigen or biotin/avidin 

binding are also under investigation (73, 120, 423).  

 

Layer-by-layer (LbL) deposition, a technique which involves the sequential surface 

assembly of alternating layers of oppositely charged polymers, i.e. polyelectrolytes (PEs) 

(127), has been widely used for the controlled release of drugs, bioactive proteins, and 

genes from 2D films and microcapsules (122). Naked plasmid DNA, PEI- and 

cyclodextran- complexed plasmids (249, 250), and adenoviral vectors (251) have been 

incorporated into a variety of polyelectrolyte multilayer designs (further reviewed in 

(124)), which have demonstrated successful in vitro transfection. While results vary 

greatly between systems, generally, lower transfection levels were observed when the 

vector was embedded under greater numbers of PE layers, and an increase in the number 

of vector layers led to an increase in transfection efficiency. Careful selection of the PEs 

used and the layer architecture and chemistry employed enables both the tailoring of 

release kinetics and sequential delivery of several different genes (226, 249, 424).  
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As a technique that can be used with materials of nearly any type, shape or size, LbL 

deposition is beginning to be employed in 3D tissue engineering applications. The 

deposition of PE multilayers onto 3D synthetic polymer scaffolds has been characterized 

for several systems, with a few studies extending to scaffold-based delivery of biofactors. 

LbL deposition of PEI and gelatin onto PLLDA scaffolds, for example, improved in vitro 

MC3T3 cell adhesion (260, 261), while chondroitin sulfate/collagen multilayers 

deposited onto PLLA scaffolds improved in vitro chondrocyte attachment, proliferation, 

and GAG synthesis (262). Similarly, PLL/HA multilayers formed on photo-crosslinked 

HA hydrogels modified gel swelling and mechanical properties and resulted in increased 

fibroblast cell adhesion and spreading (263). Meanwhile, 3D printed β-tricalcium 

phosphate/polycaprolactone scaffolds were coated with LbL films consisting of a poly (β-

aminoester) (“poly 2”), chondroitin sulphate (CS), and BMP-2, resulting in a system that 

successfully induced in vivo bone formation when implanted intramuscularly in rats 

(266). Most importantly, electrospun poly(L-lactic acid) fibrous mats coated with 

multilayer films formed of PEI and plasmid DNA encoding luciferase demonstrated in 

vitro transfection of COS cells, with increasing levels of transfection found with an 

increased number of layers (265). LbL deposition thus holds great promise for enabling 

the controlled delivery of genes, and other bioactive molecules from three-dimensional 

scaffold surfaces, with the added advantage of preserving bulk material properties and 

hence enabling a wider array of scaffold properties to be produced.  

 

We previously developed a polyelectrolyte film system consisting of glycol-modified 

chitosan (Glyc-CHI) and hyaluronic acid (HA) which exhibited significantly improved 
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cellular adhesion compared to the well-studied unmodified chitosan/HA system, while 

maintaining many of the advantageous physical properties (402). This Glyc-CHI/HA film 

system was then adapted to incorporate gene delivery lipoplexes and was shown to 

successfully transfect cells in vitro for a period of at least one week (Chap. 5). Here we 

demonstrate that Glyc-CHI/HA polyelectrolyte multilayers can be used to coat 3D 

polymeric tissue engineering scaffolds microfabricated from poly(lactic-co-glycolic acid) 

(PLGA) (33). Pre-osteoblast cell adhesion, growth and viability in these LbL coated 

scaffolds was assessed via live/dead staining coupled with confocal microscopy and 

compared to uncoated control scaffolds. Viability and overall tissue growth within coated 

and uncoated scaffolds were also monitored using optical coherence phase microscopy 

(OCPM); a novel, non-invasive, label-free imaging technique, which we have previously 

demonstrated can map viability via phase fluctuations arising from cellular  motility 

(374)(Chap. 6). Finally, we incorporated gene delivery lipoplexes, consisting of 

Lipofectamine2000TM and plasmid DNA encoding enhanced green fluorescent protein 

(EGFP), within these scaffold coatings and assessed their in vitro transfection efficiency 

and cytotoxicity in the HEK293 model cell line. Comparisons with uncoated control 

scaffolds with surface-adsorbed lipoplexes were also performed. 
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8.3 Materials and Methods 
 

8.3.1 Materials 

Hyaluronic Acid (HA) with a molecular weight of 74 kDa was purchased from Lifecore 

Biomedical (Chaska, MN, USA). Glycol-Chitosan (Glyc-CHI) with a molecular weight 

of approximately 80 kDa (via GPC) was purchased from Sigma-Aldrich. Poly(DL-

lactide-co-glycolide) acid (PLGA; 85 Mole% DL-lactide, 15 Mole% glycolide) with a 

molecular weight ranging from 92 -142 kDa was obtained from Lakeshore Biomaterials ( 

USA). Mouse pre-osteoblast MC3T3-E1 (subclone 14) cells and HEK293 human 

embryonic kidney cells were supplied by American Type Culture Collection (ATCC, 

Manassas, VA).  

 

The plasmid encoding enhanced green fluorescent protein (pEGFP-C3) was acquired 

from Clontech (CA, USA). Lipofectamine2000TM and subcloning efficiency DH5α 

competent E. coli cells were obtained from Invitrogen (CA, USA). 

 

8.3.2 Scaffold Fabrication 

Three-dimensional (3D) scaffolds were fabricated from poly(DL-lactide-co-glycolide) 

acid (PLGA) using an XYZ bioplotter system (Envisiontec, Germany), as previously 

described (33, 386, 387). The PLGA was dissolved in methyl ethyl ketone (Sigma) at a 

1:1 ratio of PLGA to solvent and subsequently mixed with 15% w/w sodium chloride 

(NaCl), sieved to yield a particle size distribution of 53-63 nm.  The PLGA solution was 

transferred to the plotting cartridge and was dispensed layer by layer, forming a 0o/90o 
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strand structure 40 x 40 mm-wide and 3.6 mm-thick using a CAD file as a template. 250 

µm-diameter dispensing tips were used to yield a strand diameter (D) of 150 µm at a 

dispensing speed of 165 mm/s (425). The layers were overlaid to give a strand thickness 

of 120 µm and a layer spacing distance of 300 µm. Individual scaffolds were punched 

from the initial scaffold brick using a biopsy punch, yielding scaffold discs 8 mm in 

diameter and 3.6 mm-thick. Resulting scaffolds were previously found to exhibit a 

porosity of approximately 53% and an average pore size around 260 µm in the dry state 

(33). These scaffolds were then immersed in water overnight in order to leach out the salt 

particles, air-dried for 24 h, and vacuum-dried for 48 h to allow for the complete 

evaporation of the solvent/water.   

 

8.3.3 Preparation of FITC-labelled Glyc-CHI 

All steps were performed under light protection conditions and adapted from Son et al, 

2003. Glycol-chitosan and FITC were dissolved in 0.5 M sodium carbonate buffer at a 

concentration of 10 mg/mL and 5 mg/mL, respectively. The FITC solution was added 

drop-wise to the glycol-chitosan and stirred overnight at room temperature. The resulting 

solution was dialyzed against MillQ water using a snakeskin membrane (MWCO 12,000) 

for 3 days. The dialyzed solution was then freeze-dried for 2 days. 

8.3.4 Quartz Crystal Microbalance with Dissipation 

All polyelectrolyte solutions were prepared at a concentration of 2 mg/mL in 0.1 M NaCl 

buffer, pH=6.0, and filtered sterile. Layer-by-layer (LbL) film build-up for [Glyc-

CHI/Ha]5 Glyc-CHI films was monitored in situ on crystals spin-coated with PLGA via 
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quartz crystal microbalance with dissipation (QCM-D), using a Q-Sense D 300 unit (Q-

sense, Sweden). Changes in frequency (Δf) and energy dissipation (ΔD) were measured 

at the fundamental frequency of the crystal (f = 5 MHz) as well as at the third, fifth, and 

seventh overtones (15, 25, and 35 MHz, respectively). Polyelectrolyte films were formed 

by injecting 400 µl of the polyelectrolyte solution (Glyc-CHI or HA) into the measuring 

cell, allowing 10 min for adsorption, followed by rinsing with 2000 µl of 0.1 M NaCl 

solution. This procedure continued until 5 bilayers were deposited, with an additional 

terminating layer of Glyc-CHI. The film thickness was calculated from the frequency and 

energy dissipation data using QTools software and the Voigt-based viscoelastic model 

proposed by Voinova et al (170). For these calculations, the polyion film density was 

assumed to be 1.2 g/cm3 and the 0.1 M NaCl buffer fluid density and viscosity were 

assumed to be 1.004 g/cm3 and 9.03 x 10-4 kg/ms, respectively (391). 

 

8.3.5 Polyelectrolyte Multilayer Film Coating of Scaffolds 

All polyelectrolyte solutions were prepared at a concentration of 2 mg/mL in 0.1 M NaCl 

buffer, pH=6.0, and filtered sterile. Prior to coating, scaffolds were immersed in a 70% 

ethanol solution for 30 min, rinsed twice in phosphate buffered saline (PBS) and then UV 

sterilized for 30 min. Scaffolds were then immersed overnight in 1.5 mL of Gly-CHI 

solution within 24 well tissue culture plates (Falcon), and rinsed twice in 0.1 M NaCl 

buffer (pH = 6.0). Up to 3 scaffolds at a time were then transferred into a sterile 10 mL 

syringe for further rinsing and layer-by-layer deposition. Use of the syringe entirely 

immersed the scaffolds in liquid and allowed for the easy removal of any air bubbles. In 

order to rinse or deposit a given polyelectrolyte, 1.5 mL/scaffold of the relevant solution 
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was aseptically drawn into the syringe via a needle. The needle was then removed, the 

syringe was inverted and any air was manually evacuated. The scaffold was then left to 

immerse in the polyelectrolyte solutions for 10 min per step, with two rinsing steps in 

between deposition of subsequent HA or Glyc-CHI layers. This process was repeated 

until [Glyc-CHI/HA]5Glyc-CHI films were coated onto the PLGA scaffolds. 

 

8.3.6 Preparation of Gene Delivery Scaffolds 

Gene delivery lipoplexes (“Lipo”) were prepared as at room temperature in a 0.1 M NaCl 

buffer solution adjusted to pH 6.0, at a ratio of 2 µL of Lipofectamine 2000TM to 1 µg of 

pEGFP. Briefly, two solutions of equal volume (25 µL) were prepared, one containing 

either 4, 8 or 12 µg of pEGFP DNA, and the other containing 8, 16 or 24 µL of 

Lipofectamine 2000TM, and left to stand for 10 min. These two solutions were then 

combined and incubated at room temperature for 15 minutes, before immediate use in the 

formation of scaffold coatings. 

 

Gene delivery scaffolds were produced via LbL-coating of PLGA scaffolds in manner 

similar to that described above. After deposition of [Glyc-CHI/HA]5Glyc-CHI films, 

coated PLGA scaffolds were transferred to sterile 24-well suspension culture plates and 

gene delivery lipoplexes in a total volume of 50 µL were allowed to adsorb for 2 hours. 

Each scaffold was then rinsed twice in 0.1 M NaCl buffer solution and aseptically 

transferred back into 10 mL syringes for further layer-by-layer deposition. Scaffolds were 

thus coated with [Glyc-CHI/HA]5Glyc-CHI-Lipo-[Glyc-CHI/HA]2Glyc-CHI films. Gene 
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delivery lipoplexes were similarly adsorbed onto uncoated PLGA scaffolds as controls 

for comparison.   

8.3.7 Cell Culture and Scaffold Cell Seeding 

Mouse pre-osteoblast MC3T3-E1 cells were grown in alpha minimum essential medium 

(ά-MEM, Gibco, Invitrogen Corporation) supplemented with 10% fetal bovine serum 

(FBS, Gibco, Invitrogen), 1% penicillin/streptomycin (Invitrogen), 0.2 mM L-ascorbic 

acid (Sigma) and 2 mM L-glutamine (Sigma). HEK293 human embryonic kidney cells 

were grown in Dulbecco’s minimum essential medium (DMEM, ATCC) supplemented 

with 10% fetal calf serum (FCS, ATCC) and 1% penicillin/streptomycin (Invitrogen). All 

cells were incubated at 37°C in a humidified atmosphere of 5% CO2. 

 

Prior to coating and cell seeding, uncoated scaffolds were immersed in a 70% ethanol 

solution for 30 min, rinsed twice in phosphate buffered saline (PBS) and then UV 

sterilized for 30 min. Coated scaffolds were prepared as mentioned above and transferred 

to non-adherent, 24-well suspension culture plates (Greiner Bio-one, VWR). Each 

scaffold was seeded with 1 x 106 MC3T3 cells or 2 x 106 HEK293 cells in a volume of 50 

µL, which was manually pipetted onto the scaffold, and incubated at 37°C in a 

humidified atmosphere of 5% CO2. After 4 hours, 1.5 mL of the appropriate culture 

medium was added. 
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8.3.8 Evaluation of Cell Seeding Efficiency 

In order to estimate MC3T3 cell seeding efficiency after 24 hours, scaffolds were 

transferred to fresh wells, lightly rinsed in PBS, and trypsinized for 10 minutes. Fresh 

media was then adeed and scaffolds were repeatedly flushed via manual pipetting in 

order to dislodge remaining cells. The resulting cell suspensions were spun down at 

1000 rpm for 5 min, as were the scaffolds. The resulting pellets were re-suspended in 

serum-free, phenol-red-free ά-MEM media (Gibco, Invitrogen) and recombined in a total 

volume of 500 µL as the ‘seeded’ fraction. The cells which did not adhere to the 

scaffolds, i.e. those from the original wells, were also collected via trypsinization, spun 

down at 1000 rpm for 5 min, and re-suspended in 500 µL of serum-free, phenol-red-free 

ά-MEM media as the ‘non-adherent’ fraction. The number of viable cells in each fraction 

was determined using the Vybrant MTT Cell Proliferation Assay Kit (Invitrogen) 

according to manufacturer instructions. Analysis was performed with a µQuant™ 

microplate spectrophotometer (Bio-Tek Instruments, Winooski, VT) at an absorbance of 

570 nm. The seeding efficiency was then determined by comparing the adsorbances of 

both fractions. 

 

8.3.9 Live/Dead Staining and Confocal Microscopy 

In order to confirm that MC3T3 cells within the scaffolds were viable, both coated and 

uncoated PLGA scaffolds were stained with calcein-AM and ethidium homodimer-1 

(LIVE/DEAD® Viability/Cytotoxicity Kit, Invitrogen, Canada) at various time points to 

label live and dead cells, respectively. Live/Dead cell staining was performed according 

to manufacturers’ instructions. Scaffold imaging was performed using a Zeiss LSM 510 
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confocal microscope. A series of z-stack images covering a penetration depth of 

approximately 100 µm was collected for a minimum of three regions per scaffold, with at 

least three scaffolds imaged per condition and time point. Estimation of the fraction of 

live and dead cells within the scaffolds was performed via z-stack optical sectioning 

analysis and measurement using ImageJ software (National Institutes of Health, NIH).  

 

8.3.10 Fluorescence Microscopy 

Fluorescent images of scaffolds coated with fluorescently-labelled Glyc-CHI and of  

transfected HEK293 cells grown for 48 hours on coated and uncoated scaffolds were 

acquired with a stereoscopic zoom microscope (SMZ1500, Nikon) equipped with a high 

pressure mercury lamp (C-SHG1, Nikon; USA), the appropriate set of filters for 

fluorescein (FITC) and/or enhanced green fluorescent protein (EGFP) excitation and 

emission, and a digital camera (DXM1200F, Nikon) operated with QCapturePro 7 

software. 

 

8.3.11 Optical coherence phase microscopy (OCPM) 

The custom optical coherence phase microscope (OCPM) system used in this study was 

in a common path set-up, utilizing a strong reflection within the sample arm as a 

reference, rather than a separate reference arm as in a conventional Michelson 

interferometer. This resulted in an increase in phase stability as common noise was 

rejected more efficiently.  The system, as described previously (374), was based upon a 

commercial OCT engine (Callisto, Thorlabs) with a superluminescent diode (SLD) light 
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source centred around 930 nm with a FWHM bandwidth of 90 nm, providing a tissue 

resolution of approximately 5 μm. The light was coupled out of the OCT engine into a 

single mode fibre and collimated onto a pair of galvanometers for raster scanning. The 

custom laser scanning head (LSH) was attached to an inverted microscope (SPi95, 

Brunel) and delivered to a custom scanning lens. A spectrum was measured at each x,y 

point of the sample at a rate of 1200 spectra per second, with 500 A scans collected in the 

x direction. Fast Fourier transforms of the spectra yielded both intensity and phase 

information along the depth, z. Intensity data were used to perform in-depth 

microstructural imaging. In addition, we recorded phase fluctuation measurements by 

collecting several successive B scans at the same location, and the maximum and 

standard deviation of the first time derivative of the phase, i.e. time fluctuations, were 

analysed over the acquisition time interval.  

  

8.3.12 Estimation of Scaffold DNA Content and Release 

PLGA scaffolds coated in [Glyc-CHI/HA]5Glyc-CHI-Lipo-[Glyc-CHI/HA]4Glyc-CHI 

films, where lipoplexes were formed using 4 µg of plasmid DNA and 8 µL of 

Lipofectamine2000TM, and uncoated control scaffold with surface adsorbed lipoplexes 

were placed within 24-well suspension culture plates (Greiner Bio-One) and incubated in 

1 x PBS solution, pH = 8.4, at 37°C in a humidified atmosphere of 5% CO2. The 

supernatant was removed and replaced with fresh PBS solution every second day for a 

period of one week. The amount of DNA within the supernatant was measured via the 

Quant-iT PicoGreen assay (Molecular Porbes, Invitrogen) according to manufacturer 

specifications. Briefly, an equal volume of 0.2 % w/v heparin sulphate (Sigma) solution 
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in 2 x TE buffer was added to the supernatant solution (final concentration of 0.1% w/v 

heparin in 1 x TE buffer) in order to decomplex the plasmid from the lipoplex, thus 

allowing the Picogreen stain access to the DNA. Fluorescence was then measured using a 

fluorescent plate reader (brand) using excitation and emission wavelengths of ~480 nm 

and ~520 nm, respectively. A series of DNA standards in 0.1% w/v heparin, 1 x TE 

buffer was produced and measured for reference.  

 

In order to measure the quantity of DNA adsorbed onto/within the coated and uncoated 

scaffolds, the plasmid content of the lipoplex solution before and after deposition, as well 

as the DNA concentration of the rinsate was measured via the Picogreen assay as 

described above.   

 

8.3.13 Fluorescent Activated Cell Sorting Analysis 

HEK293 cellular transfection efficiency and cytotoxicity after 2, 4 or 7 days was assessed 

via fluorescent activated cell sorting (FACS). After removing the media, samples were 

rinsed once in PBS and cells were trypsinized for 5 min (0.05% trpsin-EDTA, 

Invitrogen). Next, 1 mL of 2% FBS in PBS was added to each well and cells were spun 

down at 250 x g for 5 min. Cells were then re-suspended in 300 µl of 2% FBS in PBS, 

transferred into FACS tubes, and 3 µl of  40 µg/mL propidium iodide (PI) was added to 

each sample. Samples were then directly FACS analyzed using the BD FacsCalibur 

system (BD Biosciences, USA), equipped with a 488 nm argon laser to excite both PI and 

GFP, with 10,000 cells per sample assessed. FACS data was subsequently analyzed for 
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GFP and PI expression using FlowJo software (Treestar Inc., OR, USA), using 

appropriate gates and controls.  

 

8.3.14 Statistics 

Statistical analyses of data were performed using the software package SPSS/PASW 

Statistics v18.0 (SPSS Inc., Chicago, IL). All data are presented as mean ± STD. The 

significance level was set at p < 0.05. As most data either failed the Shapiro-Wilk test for 

normality and/or the Levene’s test for homogeneity of variance, or were of small sample 

size, Kruskal-Wallis non-parametric analyses were performed. In the case of OCPM 

phase fluctuation data, which passed both normality and homogeneity of variance tests, a 

two-way ANOVA test was performed, as well as independent sample T-tests for 

comparison. 
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8.4 Results 
 

8.4.1 Polyelectrolyte Multilayer Coating of Three Dimensional PLGA Scaffolds 

Prior to scaffold coating, quartz crystal microbalance with dissipation (QCM-D) in situ 

monitoring of Glyc-CHI/HA film build-up was performed on PLGA-spin coated sensors 

to ensure the suitability of the multilayer system for the scaffold material substrate. 

Frequency shifts (Δf/v) and changes in energy dissipation (ΔD) over time for the build-up 

of [Glyc-CHI/HA]5Glyc-CHI multilayer films are presented in Fig. 8.1. As each 

polyelectrolyte was injected into the system, a decrease in frequency was observed 

corresponding to an increase in film mass, thus indicating layer-by-layer deposition. The 

overall pattern of film growth on the PLGA substrate closely resembled that observed 

previously on bare quartz-crystals (402). However, film thickness, as determined via the 

Voight model (170), was found to be slightly greater at approximately 160 nm compared 

to around 120 nm on bare quartz crystals, suggesting that the difference in substrate 

material had some effects. Overall, these results indicated that layer-by-layer deposition 

of polyelectrolyte films on scaffolds composed of PLGA would be feasible.   
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FIGURE 8.1:  Plots of change in dissipation (ΔD, right axis) and QCM frequency shifts 
(Δf/v, left axis) over time during the deposition of a [Glyc-CHI/HA]5Gly-CHI film on a 
PLGA-coated QCM-D sensor. Frequency was monitored at the third (circles), fifth (upright 
triangles) and seventh (inverted triangles) overtones of the fundamental frequency, 
corresponding to 15 MHz, 25 MHz and 35 MHz, respectively. Data presented is for one 
representative experiment. 
 

The porous PLGA scaffolds used in this study (Fig. 8.2.A) were produced by the solid 

free form fabrication technique, via the BioPlotter system, as previously described (33). 

In order to monitor build-up of Glyc-CHI/HA films on these 3D scaffolds, Glyc-CHI was 

FITC-labelled and the fluorescent intensity of the scaffolds after deposition of every 

cationic layer was measured via a fluorescent spectrophotometer (Fig. 8.2.C). As 

anticipated, the fluorescent intensity generally increased with increasing bilayer number 

as [FITC-Glyc-CHI/HA]5FITC-Glyc-CHI films were deposited onto the PLGA scaffolds 

(Fig. 8.2.B), thus suggesting successful scaffold coating. This coating remained fairly 

stable for a period of at least one week in 0.1 M NaCl buffer, as confocal imaging at this 

point revealed no apparent differences in fluorescent staining (data not shown).    
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FIGURE 8.2: Layer-by-layer deposition of FITC-Glyc-CHI/HA films on 3D PLGA 
Scaffolds. (A) Photo of the microfabricated PLGA scaffolds prior to coating beside a penny 
for scale. (B) Representative confocal microscopy image of the PLGA scaffold coated in a 
[FITC-Glyc-CHI/HA]5FITC-Glyc-CHI film. (C) Increase in FITC intensity with increasing 
film bilayer number as scaffolds are coated. Data presented represents 2 separate 
experiments (n=6)  
 

8.4.2 Cell Seeding and Growth within Scaffolds 

In order to assess cellular adhesion, growth, and viability, scaffolds coated with [Glyc-

CHI/HA]5Glyc-CHI films and uncoated control scaffolds were seeded with MC3T3 pre-

osteoblasts and assessed using a variety of techniques. Cell adhesion for both coated and 

uncoated scaffolds was assessed 24 hours post-seeding via the MTT assay, by comparing 

the fractions of scaffold-adherent (after trypsinization) and non-adherent viable cells. No 

significant differences were observed in the total number of viable adherent cells, as 

measured via MTT adsorbance, or in the estimated seeding efficiency, with 
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approximately 59 ± 6% of preosteoblasts seeding on LbL coated scaffolds compared to 

61 ± 9% on uncoated controls. The MTT determined seeding efficiencies likely 

underestimated total cellular adhesion, as not all cells could be removed from either 

coated or uncoated scaffolds via trypsinization. Indeed, both scaffolds exhibited some 

residual MTT staining post-trypsinization indicating remaining viable cells. Thus 

subsequent assessments of cellular growth and viability within scaffolds were made via 

live/dead cell staining or optical coherence microscopy. 

 

FIGURE 8.3: Representative live/dead (calcein AM/ethidium bromide) confocal images of 
MC3T3 cells grown on scaffolds coated with [Glyc-CHI/HA]5Glyc-CHI films and on 
uncoated control scaffolds at the indicated time points.  Scan size approximately 1 mm x 1 
mm. (top) Live, calcein-stained, images. (middle) Dead, ethidium bromide-stained, images. 
(bottom) Merged images of the two channels. 
 

MC3T3 cell growth and viability on LbL coated and uncoated scaffolds was evaluated at 

3, 7, and 14 days post-seeding via Live/Dead (i.e. calcein AM/ethidium bromide) staining 

and confocal microscopy (Fig. 8.3). Imaging revealed that cells mainly grew along the 

scaffold strands for the first week, with the observed increase in viable cells from day 3 
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(Fig. 8.3 left), to 7 (Fig. 8.3 centre) indicating successful proliferation. By week two (Fig. 

8.3 right), cells had further proliferated, expanding to fill the spaces between strands with 

denser tissue-like structures. Although some cell death was apparent, especially at day 7, 

the majority of cells in both scaffold systems appeared to be viable. At first glance, no 

significant differences between coated and uncoated scaffolds were clear from the images 

at any of the time points, apart from an apparent slight increase in PI-staining in coated 

scaffolds on day 14. ImageJ software was thus employed to perform estimates of the 

percentage area within the scaffolds that contained live and dead cells, using a series of z-

stack images acquired over a 100 µm penetration depth at several points within each 

scaffold. Results of ImageJ analysis (Fig. 8.4) suggested that, while there were no 

differences for the first week, by week two LbL coated scaffolds seemed to exhibit a 

greater viable cell area than uncoated controls. This difference appears to be due to a lack 

of significant proliferation between day 7 and 14 for uncoated scaffolds, in contrast with 

coated scaffolds. 
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FIGURE 8.4: Proportion of scaffold area estimated to contain live MC3T3 cells (top) or 
dead cells (bottom) as determined via ImageJ software analysis of live/dead stained z-stack 
confocal images. Analyzed z-stacks were made up of 5 images (approximately 1 mm x 1 
mm), spaced 20 µm apart, representing a total penetration depth of around 100 µm. Data 
presented as mean ± STD (n=6). 
 

Confocal image analysis of scaffold cell volume is limited by its semi-quantitative nature, 

making it difficult in this case to make definitive conclusions as to whether the small (~ 

10%) calculated increase in live cell area was indeed indicative of a significant difference 

in cell growth between coated and uncoated scaffolds.  Additionally, live/dead staining is 

destructive, necessitating the assessment of different scaffolds at each time point, which 

could mask experiment-to-experiment variations. We thus sought to confirm our findings 

using an alternative method for monitoring cell growth and viability within coated and 

uncoated scaffolds. To this end we employed optical coherence phase microscopy to 

monitor cell growth over time within the same scaffolds.  
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FIGURE 8.5: Representative optical coherence phase microscopy (OCPM) cross-sectional 
images of MC3T3 cell growth on both LbL-coated scaffolds (top) and uncoated controls 
(bottom) at the time points indicated. All images are of a small representative 1mm x 1mm 
region within the scaffold, and represent an imaging penetration depth of 1mm. Yellow 
arrows indicate the dense scaffold strands and the thinner cell structures in representative 
images.  
 

Optical coherence phase microscopy (OCPM) imaging was performed every second day 

for a period of two weeks on coated and uncoated scaffolds seeded with MC3T3 pre-

osteoblasts in order to non-invasively monitor tissue growth. Representative cross-

sectional images of overall construct morphology over time for each scaffold system are 

presented in Fig. 8.5. The polymeric scaffold strands are evident within the OCPM 

intensity images as large, optically dense structures. In both scaffold systems 24 hours 

post-seeding, it is difficult to optically distinguish between cells growing on the surface 

of these strands and the scaffold material itself.  For the LbL-coated scaffolds, by day 3 

cells begin to become more evident, appearing as a very thin coating around the strand 

surface (bottom left corner of the image). By day 5, this cell layer has become clearly 
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distinguishable in LbL coated scaffolds (see arrows), continuing to grow and thicken 

around and between scaffold strands over the two week culture period, thus indicating 

cell proliferation and tissue growth. By contrast, in uncoated control scaffolds the thin 

cell layer only begins to become distinguishable from the surrounding scaffold material 

by day 7 (see arrows), developing and thickening over the second week of culture.    

 

As a means of assessing cellular viability within these same coated and uncoated 

scaffolds, OCPM motility imaging was performed at selected time points (Fig. 8.6). 

Phase fluctuations arising from cellular motility (374) indicated the presence of viable 

cells within both LbL coated and uncoated control scaffolds at each tested time point 

(Fig. 8.6, middle). These viable cell fluctuations mapped well to the cell structures 

observed via OCPM intensity images (Fig. 8.6 merged), suggesting that a similar 

correlation likely holds in previous intensity images. Quantification of phase fluctuation 

density was performed for coated and uncoated scaffolds on days 7 and 9, as the scaffold 

strand area within images at these time points was found to be similar enough between all 

conditions that any observed changes would be due to cells alone. Analysis of live cell 

area as determined from OCPM phase fluctuation data (Fig. 8.7) indicated that, while 

there were no significant differences at day 7, by day 9 coated scaffolds exhibited a 

greater live cell area than uncoated controls (t= 3.512, df = 28, p = 0.002 (two-tailed)). 

These results agreed with our previous analysis via live/dead staining, thus suggesting 

that by week 2 of culture, coated scaffolds support increased cell growth compared to 

uncoated controls. 
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FIGURE 8.6: Representative OCPM images of MC3T3 cell morphology and viability on 
LbL coated scaffolds and uncoated controls at the indicated time points. OCPM intensity 
images (top) revealed the in-depth microstructure of the sample. Phase fluctuation imaging 
(middle), originating from cell motility, highlighted areas with viable cells. Combined 
imaging (bottom), with the intensity channel in green and phase fluctuations in red, maps 
cell viability to overall construct structure. All images are approximately 1mm x 1mm. 
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FIGURE 8.7 Proportion of scaffold area estimated to contain live MC3T3 cells as 
determined via analysis of phase fluctuation OCPM imaging. A total of 5 representative 
areas (with images approximately 1 mm x 1 mm) were analyzed per scaffold, with 3 
scaffolds analyzed per day and per condition. Data presented as mean ± STD. Two-way 
ANOVA analysis revealed no significant main effects for day (F = 0.171, p = 0.681) or for 
coating vs. uncoated (F = 3.647, p = 0.061). However a significant interaction effect was 
observed (F = 5.907, p = 0.018). Subsequent T-test analysis for coated vs. uncoated scaffolds 
on day 2 indicated a significant difference (t= 3.512, df = 28, p = 0.002 (two-tailed)). 
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8.4.3 Scaffold-Based Gene Delivery 

As Glyc-CHI/HA coatings had been found to successfully support cell growth and 

viability on 3D scaffolds, they were then tested for their ability to enable scaffold-based 

gene delivery. PLGA scaffolds were again coated with [Glyc-CHI/HA]5Glyc-CHI films 

to which negatively charged gene delivery lipoplexes, formed with either 4, 8 or 12 µg of 

plasmid DNA encoding EGFP, were adsorbed. These lipoplex-containing scaffolds were 

further LbL coated until [Glyc-CHI/HA]5Glyc-CHI-Lipo-[Glyc-CHI/HA]2Glyc-CHI 

films were formed. Lipoplexes were also adsorbed onto uncoated PLGA scaffolds as 

controls.   

 

By measuring the DNA concentration, via the PicoGreen assay, of the lipoplex solution 

before and after deposition as well as the DNA concentration of the rinsate, the DNA 

loading efficiency within the coated and uncoated scaffolds was indirectly estimated (see 

Table 8.1). In all cases, LbL coated scaffolds were estimated to have higher initial DNA 

loading efficiencies than uncoated control scaffolds, thus suggesting that electrostatically-

mediated adsorption of lipoplexes onto coated scaffolds with a terminating layer of Glyc-

CHI appeared to be more efficient than simple surface adsorption onto PLGA. However, 

the estimated loading efficiency of coated scaffolds likely somewhat overestimated the 

overall amount of DNA within the scaffold, as it is possible that the further processing 

steps involved in LbL deposition removed some of the initially adsorbed DNA.  
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DNA Concentration Estimated DNA Loading Efficiency (%) :
 within Lipoplexes Uncoated Scaffolds Coated Scaffolds

4 µg 68 ± 10 75 ± 9
8 µg 67 ± 7 93 ± 7
12 µg 68 ± 4 94 ± 2  

Table 8.1: Estimated DNA loading efficiency onto LbL coated PLGA scaffolds and 
uncoated control scaffolds. Lipoplexes formed using either 4, 8 or 12 µg of plasmid DNA 
and 8, 16, or 24 µL of Lipofectamine2000TM, respectively, were adsorbed onto coated and 
uncoated scaffolds. The concentration of DNA before and after adsorption (including the 
rinsate) was measured via the PicoGreen assay and the resulting initial loading efficiency 
was calculated. Data presented as average ± standard error (n=6). 
 

DNA release in phosphate buffered saline (PBS) from coated and uncoated scaffolds, 

both containing lipoplexes formed using 4 µg of plasmid, was measured every second 

day for a period of one week (Fig 8.7). As a means of accounting for any DNA that might 

have been lost in coated scaffolds post-lipoplex adsorption during further LbL deposition, 

the percentage of DNA released from each scaffold system was calculated in relation to 

the lower amount of DNA adsorbed onto uncoated scaffolds. Surprisingly, neither coated 

nor uncoated scaffolds exhibited a significant burst release of DNA over the first 24 

hours. Overall, LbL coated scaffolds exhibited very little DNA release, with minimal 

amounts measured at any given time point and a total of less than 10% released by day 7. 

By contrast, uncoated control scaffolds generally displayed an increasing amount of DNA 

release with time, with over 50% of adsorbed DNA released by day 7. These results 

further suggest that the electrostatically-mediated adsorption of lipoplexes onto LbL 

coated scaffolds formed a stronger association than the non-specific adsorption of 

lipoplexes onto uncoated PLGA scaffolds.  
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FIGURE 8.8: DNA release over time from LbL coated PLGA scaffolds and uncoated 
control scaffolds. Both types of scaffold contained lipoplexes formed using 4 µg of plasmid 
DNA and were incubated in PBS, pH = 7.4 at 37oC. The supernatant was collected at the 
indicated time points and the DNA concentration was measured via the PicoGreen assay 
and normalized to the amount of DNA estimated to be loaded onto uncoated control 
scaffolds. Data presented as average ± standard error (n = 3).  
 

In order to determine in vitro transfection efficiency, coated and uncoated scaffolds 

containing lipoplexes formed with 4, 8 or 12 µg of plasmid DNA were seeded with 

HEK293 cells. Although poorly adherent to both uncoated and coated scaffolds 

(Appendix 3), HEK293 cells were used as they are one of the most widely employed cell 

lines in transfection assessment studies. After 48 hours, enhanced green fluorescent 

protein (EGFP) expression was evaluated via fluorescence microscopy (Fig. 8.10) and 

FACS analysis (Fig. 8.9 top), while cytotoxicity was measured via propidium iodide (PI) 

staining and FACS analysis (Fig. 8.9 bottom). In all cases, LbL coated scaffolds 

exhibited significantly higher transfection efficiencies than uncoated scaffolds (χ2=9.424, 

p=0.002). Interestingly, while increasing the amount of DNA contained in the adsorbed 

lipoplexes resulted in increased transfection efficiency for uncoated scaffolds, this was 

not the case for coated scaffolds, where transfection efficiency peaked for 8 µg scaffolds 

but decreased for 12 µg. The enhanced transfection efficiency observed for coated 

scaffolds was associated with higher cytotoxicity compared to uncoated controls (χ2= 
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19.348, p<0.001). This dual increase in both transfection efficiency and cytoxicity for 

LbL coated scaffolds reinforces the earlier observations of a higher estimated loading 

efficiency in comparison with uncoated scaffolds. Furthermore, the observations that 

coated scaffolds exhibited increased transfection efficiency yet little DNA release in PBS 

suggest that transfection in LbL-coated scaffolds was mediated by cell-coating 

interactions rather than diffusive release.  
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FIGURE 8.9: HEK293 transfection efficiency (top) and death (bottom) after 48 hrs of 
growth on scaffolds coated with [Glyc-CHI/HA]5Glyc-CHI-Lipo[Glyc-CHI/HA]2Glyc-CHI 
films and on uncoated control scaffolds with adsorbed lipoplexes.  Lipoplexes were formed 
from the indicated amount of pEGFP. In the case of lipoplexes formed with 4 µg of DNA, 
coated scaffolds with surface adsorbed lipoplexes (i.e. scaffolds with [Glyc-CHI/HA]5Glyc-
CHI-Lipo films) were also studied. Data presented represent the mean percentage of GFP-
expressing (top) or PI-staining (bottom) cells, as determined via fluorescent activated cell 
sorting,  ± STD (n=6). (Stats, for amount of DNA: χ2= 19.351, p<0.001 for GFP, χ2= 2.441, 
p=0.295 for PI; for coated vs. non-coated: χ2= 9.424, p=0.002 for GFP; χ2= 19.348, p<0.001 
for PI) 
 
Preliminary studies were also conducted to determine whether the additional film layers 

overlying the adsorbed lipoplexes were necessary, using coated scaffolds and lipoplexes 
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consisting of 4 µg of plasmid DNA. While coated scaffolds with surface adsorbed 

lipoplexes (i.e. [Glyc-CHI/HA]5Glyc-CHI-Lipo scaffolds) exhibited no significant 

differences in transfection efficiency compared to those with embedded lipoplexes (i.e. 

[Glyc-CHI/HA]5Glyc-CHI-Lipo[Glyc-CHI/HA]2Glyc-CHI scaffolds (χ2=3.103, 

p=0.078), they did display significantly increased cytotoxicity (χ2=5.026, p=0.025). 

These results suggested that the film layers covering the adsorbed DNA lipoplexes were 

required to minimize the known cytotoxic effects associated with higher concentrations 

of lipid-based gene carriers (426, 427). Thus, in subsequent experiments using lipoplexes 

formed from higher concentrations of DNA, coated scaffolds without overlying film 

layers were not studied. 

 

 

FIGURE 8.10: Representative bright field (top) and fluorescence microscopy (bottom) 
images of HEK293 cells after 48 hours growth on coated and uncoated scaffolds containing 
lipoplexes formed with the indicated amount of plasmid DNA. All images taken with a 10 x 
objective. 
 

As previously mentioned, HEK293 cells are known to be weakly adherent (428-430) and 

were found to adhere poorly to uncoated and coated scaffolds in our initial OCPM studies 

(see Appendix 3). Therefore, the non-adherent fractions of HEK293 cells remaining 24 
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hours post scaffold-seeding were kept and their transfection was also assessed. While 

there was no significant effect on transfection efficiency overall (χ2= 1.649, =0.199), 

generally, the non-adherent fraction exhibited decreased transfection in the case of 

uncoated control scaffolds and slightly increased transfection in the case of 4 µg and 12 

µg coated scaffolds. Meanwhile, in all cases the non-adherent fraction displayed 

significantly reduced cytotoxicity (χ2= 26.204, p<0.001). The observed lower cytotoxicity 

is likely due to the non-adherent fraction being in contact with the gene delivery 

lipoplexes for a shorter time period, thus reducing the cytotoxic effects associated with 

high concentrations of lipofectamine and longer exposure times (427). However, the 

trends in transfection are somewhat surprising in light of the lack of DNA release 

observed in PBS for coated scaffolds and the high amount of plasmid release for 

uncoated scaffolds. It is possible that the slight increases in transfection efficiency for the 

non-adherent fraction of cells from coated scaffolds is associated with the lower 

cytotoxicity, as fewer of the transfected cells may have died than with the adherent 

fraction. Alternatively, the presence of cells on the scaffolds likely mediates quicker 

DNA release from coated scaffolds than was observed in PBS buffer.  There is also the 

strong probability that the majority of the cells were transfected during the initial 4 hour 

seeding period where all the cells were in contact with the scaffolds. Future studies will 

more closely examine the mechanisms and kinetics governing coated scaffold-based 

transfection. 
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FIGURE 8.11 Transfection efficiency (top) and death (bottom) of non-adherent HEK293 
cells 48 hrs post seeding on scaffolds coated with [Glyc-CHI/HA]5Glyc-CHI-Lipo[Glyc-
CHI/HA]2Glyc-CHI films and on uncoated control scaffolds with adsorbed lipoplexes.  
Lipoplexes were formed from the indicated amount of pEGFP. Data presented represent 
the mean percentage of GFP-expressing (top) or PI-staining (bottom) cells, as determined 
via fluorescent activated cell sorting,  ± STD (n=6). (Stats, for amount of DNA: χ2= 6.777, 
=<0.034 for GFP, χ2= 0.957, p=0.620 for PI; for coated vs. non-coated: χ2= 26.274, p<0.001 
for GFP; χ2= 14.062, p<0.001 for PI; for amount of adherent vs non-adherent: χ2= 1.649, 
=0.199 for GFP, χ2= 26.204, p<0.001 for PI) 
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8.5 Discussion 
 

The results of this study serve as an important first step in demonstrating the utility of the 

Glyc-CHI/HA polylelectrolyte film system for enabling gene delivery from 3D tissue 

engineering scaffolds. The electrostatically-mediated adsorption of gene delivery 

lipoplexes in the LbL coating unsurprisingly lead to higher loading efficiency, lower 

DNA release in PBS, and higher transfection efficiency in coated scaffolds compared to 

uncoated controls with non-specifically adsorbed lipoplexes. Indeed, groups have 

previously used simple surface coatings of charged polymers such as gelatine in order to 

increase electrostatic adsorption of non-viral gene delivery vectors to scaffolds and thus 

enhance loading and transfection efficiency (431). However, our results indicated that 

additional film layers overlying the lipoplexes can serve an important role in reducing 

cytotoxic effects; an effect which may also apply to other gene delivery vectors. More 

importantly, the multilayer nature of our Glyc-CHI/HA film system allows for more 

design flexibility than a simple surface coating. Future studies, for example, will examine 

varying the overlying film architecture in order to alter the release kinetics of the gene 

delivery lipoplexes in order to produce different transfection profiles. 

 

 

Although the maximum transfection efficiency achieved in this study (~14%) is 

significantly lower than that achieved by other scaffold systems designed for non-viral 

gene delivery (432-435), it is important to note that many of these alternative gene 

delivery scaffold systems are based on hydrogels, which exhibit limited mechanical 
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properties and architectures, or for systems where non-viral vectors are directly blended 

with scaffold materials, which also restricts the range of scaffold architectures that can be 

produced. LbL deposition, by contrast, can be used to coat a wide variety of shapes and 

materials, thereby enabling gene delivery from scaffolds and implants with a broader 

range of architectures while preserving their underlying mechanical properties. 

Additionally, by increasing the number of lipoplex-containing layers in our LbL film 

system the transfection efficiency that can be achieved will likely be significantly 

increased. This was found to be the case in a 2D study with films that consisted of 

plasmid DNA and DNA-containing lipoplexes, where increasing the number of lipoplex-

containing layers from 1 to 3 yielded an approximately four-fold increase in transfection 

efficiency (401). 

 

The main advantage of biocompatible multilayer films for non-viral gene delivery, such 

as the Glyc-CHI/HA system presented here, is their vast flexibility in both design and 

application. For example, the Lynn group has utilized LbL films constructed from a 

synthetic hydrolytically degradable cationic polyamine and plasmid DNA to coat stents 

and inflatable embolectomy catheter balloons, and has even demonstrated that the balloon 

system was able to transfect cells in vivo in a rat arterial injury model (254, 259). We 

therefore intend to similarly extend the Glyc-CHI/HA film system presented here to coat 

other 3D tissue engineering systems (e.g. scaffolds with different architectures and 

consisting of different materials), as well as medical devices such as stents and 

orthopaedic implants.  
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8.6 Conclusions 
 
Multilayer films consisting of glycol-chitosan (Glyc-CHI) and hyaluronic acid (HA) were 

employed to coat 3D tissue engineering scaffolds microfabricated from PLGA. These 

LbL coated scaffolds were shown, via live/dead staining and optical coherence phase 

microscopy, to support in vitro cell adhesion, growth and viability for a period of at least 

two weeks at levels similar to or better than uncoated control scaffolds. Gene delivery 

lipoplexes were then successfully incorporated within the Glyc-CHI/HA film coatings, 

and were demonstrated to enable scaffold-based transfecion at levels significantly higher 

than uncoated scaffolds with surface adsorbed lipoplexes. Future work with this film 

system will focus on optimizing film architectures in order to further improve 

transfection efficiency, produce a wider variety of transfection kinetic profiles, achieve 

sequential gene delivery of multiple plasmids, and explore the coating of alternative 

scaffold systems and medical implants. Overall, polyelectrolyte multilayer films 

consisting of glycol-chitosan and hyaluronic acid show great promise for a wide variety 

of 3D gene delivery and tissue engineering applications. 
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Chapter 9: Conclusions and Perspectives 
 

The overall aim of this thesis work was to demonstrate that layer-by-layer deposition can 

be used to enable localized gene delivery from the surface of 3D scaffolds in a manner 

that preserves the underlying properties of the system. To this end, a biocompatible 

polyelectrolyte multilayer film system consisting of glycol-chitosan (Glyc-CHI) and 

hyaluronic acid (HA) was developed and evaluated. Glyc-CHI/HA multilayers were 

characterized and analyzed, both with and without incorporated gene delivery lipoplexes, 

as 2D stand-alone films and as coatings for a model 3D polymeric scaffold system. Here 

we review each of the sub-objectives of this thesis study (Chap. 4.3) and present a brief 

summary of the findings observed from their achievement.  
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9.1 Summary of Objectives and Achievements 
 

9.1.1 Characterization of the physical and cellular adhesion properties of 2D glycol-

chitosan/ hyaluronic acid (Glyc-CHI/HA) multilayer films  

The LbL build-up of polyelectrolyte films consisting of glycol-chitosan and hyaluronic 

acid was successfully demonstrated by quartz crystal microbalance with dissipation 

(QCM-D). Resulting Glyc-CHI/HA multilayers composed of 5 or more bilayers were 

found to support increased in vitro cell adhesion, growth and viability compared to 

corresponding films composed of unmodified chitosan for MC3T3 pre-osteoblasts and 

NIH3T3 fibroblasts.  These differences in cellular adhesion were likely due to differences 

in surface topography and roughness, as measured via AFM, as well as in film chemistry 

and the water-solubility of the cation, since both types of films exhibited similar: 

thickness, as measured via QCM and AFM; wettability, as measured via contact angle; 

and serum protein adsorption, as measured via the BCA assay.  (Chap. 5) 

 

9.1.2 Incorporation of lipoplex-based gene delivery vectors within Glyc-CHI/HA 

multilayer films and in vitro characterization of resulting film-based transfection and 

cytotoxicity 

Gene delivery lipoplexes, composed of plasmid DNA encoding EGFP complexed with 

Lipofectamine2000TM, were successfully incorporated within Glyc-CHI/HA films. The 

topography and morphology of the resulting multilayers were characterized after lipoplex 

adsorption and during subsequent film build-up via AFM and SEM, respectively.  

Lipoplex containing Glyc-CHI/HA films were found to successfully transfect NIH3T3 
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fibroblasts and HEK293 kidney cells in vitro, via FACS analysis. In HEK293 cells 

transfection levels of approximately 20% were achieved and maintained for a period of at 

least 7 days. Transfection from these Glyc-CHI/HA films appeared to be mediated by 

cell-film interactions rather than diffusion, as multilayers exhibited little DNA release in 

PBS. (Chap. 6) 

 

9.1.3 LbL deposition of Glyc-CHI/HA films onto model 3D porous, polymeric scaffolds 

and characterization of subsequent cell adhesion, growth, and viability 

Glyc-CHI/HA films were successfully coated onto a 3D model porous scaffold system 

microfabricated from poly(lactic-co-glycolic acid) (PLGA). The resulting coated 

scaffolds were shown to support in vitro MC3T3 cell growth and viability in these 

scaffolds, via live/dead staining and optical coherence phase microscopy, for a period of 

at least 2 weeks. Qualitative and quantitative measurements indicated that cell growth 

and viability in LbL coated scaffolds appeared to be similar to, or better than, that 

achieved in uncoated control scaffolds. (Chap. 8) 

  

9.1.4 Incorporation of gene delivery lipoplexes within LbL coatings on 3D porous 

scaffolds and characterization of subsequent scaffold-based transfection and 

cytotoxicity 

Gene delivery lipoplexes were incorporated within Glyc-CHI/HA films coated onto 3D 

PLGA scaffolds and were found to support scaffold-based in vitro transfection of 

HEK293 cells at levels significantly higher than uncoated scaffolds with surface adsorbed 
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lipoplexes. Scaffold-based transfection from these Glyc-CHI/HA coatings again appeared 

to be mediated by cell-film interactions rather than diffusion, as coated scaffolds 

exhibited little DNA release in PBS. (Chap. 8) 

 

9.1.5 Demonstration that optical coherence phase microscopy (OCPM) can be used for 

imaging tissue growth and viability within porous tissue engineering scaffold systems 

We showed that OCPM enabled in situ, non-invasive, label-free imaging of tissue 

structure and viability within 3D tissue engineering scaffolds. We imaged two cell types, 

MC3T3 pre-osteoblasts and adipose derived stem cells (ADSCs), seeded within two 

distinct scaffold systems with different architectures, including our model porous scaffold 

system microfabricated from poly(lactic-co-glycolic acid) (PLGA). We compared 

fluctuation imaging results with those of fixed cells and with viability assessments made 

via fluorescent live/dead labelling. Cellular viability was mapped to tissue morphology, 

via measurement of optical phase fluctuations arising from cellular motility, and was 

found to provide an endogenous source of contrast for OCPM, thus enabling label-free 

viability imaging within 3D engineered tissues.  
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9.2 Discussion and Future Work 
 
While the majority of the goals of this thesis were attained, many issues remain to be 

addressed in future studies. Some of these concerns are discussed below, including: 

questions arising from 2D studies of film formation and properties; issues with lipoplex 

incorporation; problems that arise in moving from 2D to 3D LbL systems; and some of 

the possible limitations of the overall LbL-based inductive tissue engineering system. 

 

9.2.1 Remaining Questions Regarding 2D Film Formation and Properties  

While a broad range of factors are known to influence the formation and properties of 

LbL films (as discussed in section 2.3.2), only one set of formation conditions was 

employed in our studies of Glyc-CHI/HA multilayers (PE concentration 2mg/mL, in 0.1 

M NaCl, pH=6.0). It would thus be of great interest to explore the effects of pH, ionic 

strength, and molecular weight on the build-up of Glyc-CHI/HA films and their resulting 

physical and cellular adhesion properties. For example, in multilayers composed of 

unmodified chitosan and hyaluronic acid, higher molecular weights were found to be 

related to increased film thickness and an earlier onset of the steep “exponential” phase of 

film growth (199). Meanwhile, high salt concentrations were associated with rapid 

CHI/HA multilayer growth and very low salt concentrations resulted in difficulties in 

film formation (159).   

 

Another physical property of Glyc-CHI/HA films that was not explored in this work, but 

would be of fundamental importance in many biomedical applications, is the film 
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biodegradation rate. Future studies of multilayer degradation in various biologically 

relevant media (e.g. serum-containing media, enzymes such as hyaluronidase and 

chitinase) and in the presence of cells should be performed. Chemical cross-linking of 

Glyc-CHI/HA films, such as via genipin or EDC-sNHS chemistry, and its subsequent 

effects on film degradation and physical properties should also be explored, as it has been 

for the well-characterized CHI/HA system (208, 436).   

   

In evaluating cellular adhesion, growth and viability on Glyc-CHI/HA films, weakly 

adherent HEK293 human embryonic kidney cells were found to behave differently than 

strongly adherent MC3T3 murine pre-osteoblasts and NIH3T3 murine embryonic 

fibroblasts. While the latter two cell types displayed significantly increased adhesion and 

viability on Glyc-CHI/HA films when compared to corresponding unmodified CHI films, 

HEK293 cells displayed no viability differences, despite exhibiting increased cell 

spreading on Glyc-CHI multilayers. These cell-specific variations suggest that adhesion 

and viability of additional cell lines should be screened on Glyc-CHI/HA films in future 

studies. 

 

In order to better understand cellular adhesion on Glyc-CHI/HA films, initial studies of 

cellular adhesion kinetics were performed via electric cell impedance sensing (Appendix 

1). Results indicated that while NIH3T3 and MC3T3 cell adhesion on [Glyc-

CHI/HA]10Glyc-CHI films reached levels comparable to uncoated controls, the rate of 

this adhesion was slower and cell density dependent. This observed delay in cellular 

adhesion influenced our subsequent scaffold seeding protocol. In order to increase cell 
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seeding efficiency we thus chose an initial low volume adhesion time of 4 hours prior to 

addition of excess media. Delayed cellular adhesion may also have effects on the 

application of Glyc-CHI/HA films as implant coatings and should thus be further studied.  

 

9.2.2 Gene Delivery Lipoplex Incorporation Issues 

The incorporation of gene delivery lipoplexes within Glyc-CHI/HA multilayers involved 

the adsorption of negatively charged lipoplexes onto a 5 bilayer film with an additional 

terminating cationic Glyc-CHI layer. This adsorption step, believed to be electrostatically 

mediated, was performed over a 2 hour time period in order to assure maximal lipoplex 

loading. However, we also theorized that this long incubation time contributed to lipoplex 

aggregation and thus the adsorption of lipoplexes on the film surface as large clusters 

(Chap. 6.4.1). A more detailed study of lipoplex adsorption kinetics and the effects of 

adsorption time on resulting film structure, DNA loading efficiency, and in vitro 

transfection should thus be performed. Furthermore, the mechanisms underlying lipoplex 

adsorption should be explored in more detail. For example, whether adsorption is 

dominated by electrostatic attraction could be assayed by comparing films formed with 

lipoplexes adsorbed onto Glyc-CHI vs. HA terminating layers.  

 

One of the main limitations of our study was the indirect method used to assess DNA 

loading efficiency within both films and scaffolds. More direct assessment of DNA 

content via measurement of UV adsorption at ~ 260 nm was attempted using three types 

of spectrophotometers. However, in all cases, background readings and/or low sensitivity 

rendered UV measurements ineffective. Direct quantification of film DNA content was 
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also attempted via enzymatic film degradation and subsequent measurement via the 

Picogreen assay or UV adsorption. However, this method also led to high background 

readings that obscured DNA measurements via either technique. Pre-labelling of DNA 

with a fluorescent or other tagging molecule was ruled out due to the possibility that the 

presence of the tag would alter the complexation of plasmid DNA with 

Lipofectamine2000TM and thus result in lipoplexes with different properties than those 

formed with unlabelled DNA.  Future studies utilizing radio-labelled plasmid DNA, 

which will likely have less effect on complexation, are thus recommended to more 

accurately measure DNA content. 

 

Interestingly, we initially aimed to incorporate gene delivery polyplexes, consisting of 

plasmid DNA complexed with polyethylemine (PEI), rather than lipoplexes within our 

Glyc-CHI/HA films.  One of the most efficient and widely studied polymeric transfection 

reagents, PEI-based polyplexes have been used in previous PE multilayer film systems to 

achieve successful in vitro transfection (250). However, after performing extensive film-

based transfection studies in NIH3T3 cells, using a variety of N:P ratios, we found lower 

than desired transfection efficiencies (less than 5%, see tables in Appendix 2). Whether 

this significantly reduced transfection in comparison to lipoplexes was due solely to 

inherent differences in carrier transfection efficiency, or whether polyplexes interacted 

with Glyc-CHI/HA films in a manner which limited transfection remains a question to be 

explored. 
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One of the main motivations for the development of the Gly-CHI/HA film system was 

the belief that the poor cellular adhesion properties of unmodified CHI/HA films limited 

their gene delivery efficiency. Although Glyc-CHI/HA films consisting of 5 or more 

bilayers exhibited significantly improved cellular adhesion and viability compared to 

corresponding films composed of unmodified chitosan, we never directly compared gene 

delivery from CHI/HA films to that from the Glyc-CHI/HA films.  In moving from pure 

Glyc-CHI/HA multilayers to those incorporating gene delivery lipoplexes, the overall 

structure and topography of the films was altered. While it would be extremely difficult 

to separate the effects of film topography from those arising from the presence of the 

lipoplexes themselves, it is possible that these changes in film structure do not preserve 

the significant enhancement in cellular adhesion and viability. Transfection efficiency 

from lipoplex-containing CHI/HA films should thus be assessed and compared to that 

from the Glyc-CHI/HA films presented here. 

 

Finally, as previously discussed (Chap. 6.5), future work exploring various alterations to 

lipoplex-containing Glyc-CHI/HA film architecture and their effects on gene delivery is 

highly recommended. For example, more plasmid layers should be incorporated to 

enhance film transfection efficiency. Addition of more overlying layers and/or 

subsequent film crosslinking should also be examined as means to alter transfection 

kinetics. Furthermore, embedding multiple genes at different film depths should be 

investigated in order to facilitate sequential delivery.  
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9.2.3 Concerns in Transitioning Between 2D and 3D LbL Systems 

An underlying film consisting of 5 Glyc-CHI/HA bilayers was chosen for lipoplex 

adsorption and scaffold coating because initial experiments (Chap. 5) indicated that these 

films were approximately 100 nm thick and would thus provide a good base covering. It 

was also hypothesized that 5 bilayers would be sufficient to account for the effects of the 

underlying substrate on LbL adsorption, which particularly affects the formation of the 

first few layers (437). It would be interesting to further test this assumption by examining 

2D and 3D lipoplex adsorption on thinner and thicker underlying films. For example, 

finding the minimum number of underlying layers required in order to enable efficient 

lipoplex loading and high levels of substrate-based transfection would be of great benefit.  

 

One of the main concerns in moving from 2D to 3D LbL deposition are the effects of the 

underlying substrate on multilayer formation and properties. Substrate chemistry and 

charge density are well known to effect LbL formation (437, 438). These effects were 

clearly observed here via QCM-D analysis, where 5 bilayer Glyc-CHI/HA films formed 

on quartz crystals coated with PLGA were found to be thicker than those adsorbed on 

uncoated crystals (Chap 8.4.1).  The shape and topography of the underlying substrate 

may also have some influence on PE multilayer formation. For example, recent studies of 

LbL deposition in confined geometries and on nanoporous topographies have revealed 

differences in overall film thickness compared to films formed on flat substrates (439-

442). The underlying PLGA scaffold structure, including the porous topography of the 

scaffold strands due to salt leaching, may thus have had some effect on the properties of 

the Glyc-CHI/HA film coating. It will be difficult to determine whether there are indeed 
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significant differences in the properties of Glyc-CHI/HA multilayers in 2D film form 

compared to in 3D coating form. However, some overall film vs. coating properties could 

be assessed in future studies to gain some insight into possible differences. For example, 

variations in film biodegradation rate or cell seeding efficiency over time (as a means of 

assessing cellular adhesion kinetics) could be evaluated. 

 

Another important issue in the LbL-coating of 3D scaffolds is what effects, if any, the 

coating has on underlying scaffold properties. The micro-printed, porous PLGA scaffolds 

employed in our study were previously found to have an average porosity of  ~ 54 %, an 

average pore size of ~ 261 µm, and an average strand diameter of ~ 112 µm, via µCT 

analysis (33). In comparison, our 5 bilayer Glyc-CHI/HA film coating was estimated to 

be approximately 160 nm thick (Chap 8.4.1), representing a mere 0.06 % change in pore 

size and a tiny 0.14 % increase in strand thickness. While the actual thickness of the 

scaffold coating may be somewhat larger, given these estimates, it remains highly 

unlikely that the multilayer coating would change pore size or strand diameter by more 

than 1%. Thus, the LbL-coating of 5 bilayers of our Glyc-CHI/HA film system onto this 

PLGA scaffold did not appear to significantly alter the underlying scaffold architecture. 

Additionally, given the thinness of these coatings in comparison to the underlying 

scaffold structure, the mild processing conditions used in their formation, and the 

relatively soft nature of un-crosslinked polysaccharide multilayers (180, 204, 443), it is 

highly improbable that they have significantly changed the overall mechanical properties 

of the underlying scaffold system. However, in order to definitively confirm these 
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theories, future studies analyzing both the mechanical modulus and architectural details 

of the scaffold system before and after LbL-coating should be conducted.   

 

Some important differences between 2D Glyc-CHI/HA films and their 3D scaffold 

coating counterparts are already apparent. For example, 3D scaffold coatings exhibited a 

significant increase in estimated DNA loading efficiency (~75-94%) compared to 2D 

films (~20-32%).  This enhancement in loading efficiency could have been due to the 

larger surface area to volume ratio for scaffolds, where the total volume of the lipoplex 

solution was 50 µL, compared to films, where a 300 µL volume was used for deposition. 

Increased interaction between the lipoplexes and the 3D geometry of the scaffold could 

have also have contributed to improved adsorption. Whether variations in the properties 

of the base film coating existed between 2D films and 3D coatings and contributed to 

differences in lipoplex adsorption also remains a question. By contrast, little difference 

was seen in the overall percentage of DNA released in PBS for films (less than 5%) and 

scaffolds (less than 10%). 

 

Interestingly, the observed increase in loading efficiency did not translate into increased 

in vitro transfection efficiency. The maximum HEK293 transfection efficiency achieved 

in 3D scaffolds was significantly lower (~14%) than that observed on 2D films (~25%). 

This reduction in transfection efficiency could be due to the poor HEK293 adhesion seen 

on scaffolds, possible variations in the properties of 2D films vs. 3D coatings, or inherent 

differences in cellular transfection efficiency due to the change from a 2D to a 3D 

environment (444).  
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9.2.4 Limitations in 3D Scaffold Analysis and OCPM Imaging 

One of the main challenges in this thesis work was the assessment of tissue growth, 

morphology and viability within our 3D polymeric scaffold systems. Attempts at scaffold 

sectioning and immunostaining were fraught with problems. Scaffolds were initially 

embedded within a combination of sucrose and OCT media, flash frozen, and 

cryosectioned via a cryo-microtome according to typical protocols (Chap. 2.4.2). 

However, cryosections of our polymeric scaffolds failed to adhere to glass slides (with 

and without pre-treatment) making subsequent immunostaining unfeasible. Impregnating 

scaffolds with a gelatine solution prior to flash freezing enabled scaffold cryosections to 

adhere to pre-treated glass slides, however, it also affected the structure of the tissue 

growing between scaffold strands. Thus, live/dead staining of unsectioned scaffolds was 

performed in place of immunostaining, with scaffolds being re-positioned and flipped to 

assess different regions. 

 

Although optical coherence phase microscopy did enable non-invasive, label-free, real-

time monitoring of tissue morphology and viability within our 3D scaffolds, a number of 

limitations to the technique remain. The average OCPM image penetration depth 

achieved with our scaffolds was less than 1 mm, which, although significantly greater 

than the ~ 200 – 300 µm possible with confocal microscopy, was still not as deep as we 

had hoped. More importantly, quantification of the volume of viable cells within 

scaffolds via phase fluctuation motility data was extremely difficult. Subtle variations in 

the overall morphology of the imaged regions, for example due to differences in 
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background or number of strands captured within the imaging field, complicated the 

quantification and comparison of viable cell volumes between different days and  

different  scaffolds. Much future work will need to be done in establishing scanning 

protocols and imaging analysis programs to enable more accurate comparisons between 

systems. 

  

An array of additional studies should also be performed to assess the 3D distribution of 

various factors. For example, lipoplex distribution within coated and uncoated scaffolds 

could be examined via use of a lipid-specific dye. Localization of GFP-expressing 

transfected cells and dead cells throughout scaffolds could also be performed via PI and 

nuclear staining combined with fluorescent confocal imaging. Attempts could also be 

made to try and assess the thickness or morphology of the LbL scaffold coating at 

different locations within the scaffold via sectioning coupled with SEM imaging or other 

analysis methods. 

 

9.2.5 Possible System Limitations and More Future Work 

The most important next steps in further developing Glyc-CHI/HA coatings for scaffold-

based gene delivery involve shifting towards delivery of functional genes, assessment of 

more clinically relevant cell lines, and moving towards in vivo animal studies. One 

promising avenue of study would be adapting the system for application in bone tissue 

engineering. Scaffold coatings could be used to deliver plasmid DNA encoding bone 

morphogenetic protein 2 or 7 (BMP-2 or BMP-7) to either MC3T3 murine pre-

osteoblasts, human or murine adipose derived stem cells (ADSCs), or human or murine 
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mesenchymal stem cells (MSCs) and the in vitro differentiation of these cells into mature, 

bone-forming osteoblasts could be assessed. Ectopic bone formation within these BMP-

gene delivering scaffolds could then be assessed in vivo, with and without pre-seeded 

MSCs, via subcutaneous implantation in mice or rats. As a wide variety of gene delivery 

bone tissue engineering systems have been investigated, this application would provide a 

useful means of functionally assessing the advantages and disadvantages of our LbL 

scaffold coating system.   

 

Demonstrating that the Glyc-CHI/HA film system can be extended to coat scaffolds with 

different architectures and composed of various materials is another crucial area for 

future work. The ability to coat porous polymeric scaffolds with widely different 

structures, such as those produced via electrospinning, freeze-drying, or gas foaming, 

should be assessed. Deposition of Glyc-CHI/HA films on hydrogels, ceramic composite 

scaffolds, and metallic meshes should also be examined. More significantly, the use of 

Glyc-CHI/HA multilayers as biomedical implant coating for stents, dental implants and 

orthopaedic applications should also be explored.  

 

Should functional tests prove promising; a number of practical issues will need to be 

addressed in modifying Glyc-CHI/HA LbL film coatings for clinical scaffold-based gene 

delivery applications. The overall preparation time for our 3D scaffold coatings is 

currently too long (approximately 7 hours) for realistic “off the shelf” use. Minimal 

lipoplex adsorption times which enable high transfection efficiencies will need to be 

determined. Whether scaffolds can be pre-coated, either entirely or in part (e.g. the film 
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coating underlying the lipoplexes), and stored will also need to be explored. More 

importantly, transfection efficiencies and kinetic delivery profiles will need to be 

optimized via variations in film architecture. Although a number of questions and 

challenges remain, overall this thesis work represents an important first step towards 

using Glyc-CHI/HA multilayer films for controlled delivery of various therapeutic genes 

in 2D and 3D tissue engineering applications. 
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Appendix 1: Examining Cellular Adhesion Kinetics on Glycol-
Chitosan/Hyaluronic Acid Films  
 

Electric cell impedance sensing (ECIS) analysis allows for the real-time analysis of 

cellular adhesion, proliferation, differentiation and apoptosis on 2D electrode surfaces. 

Generally, as cell attachment and spreading on electrode surfaces increases, normalized 

capacitance measurements at frequencies around 40 kHz decrease fairly linearly (315). 

Monitoring of electrode capacitance can thus be used to study cellular adhesion kinetics 

on 2D electrode surfaces.  

 

In order to examine NIH3T3 or MC3T3 cellular adhesion kinetics on our Glyc-CHI/HA 

multilayer films, a commercial ECIS system (ECIS Zθ, Applied Biophysics) was used to 

monitor the capacitance of coated and uncoated microelectrode arrays at 32 kHz. ECIS 

electrode arrays consisting of one or forty 250 μm gold microelectrodes per well (8W1E 

or 8W10+; Applied Biophysics) were coated with [Glyc-CHI/HA]10Glyc-CHI films, 

corresponding films composed of unmodified chitosan, or were left uncoated. 

Experiments examining adhesion kinetics at a high cellular density were performed using 

single-electrode arrays and a seeding density of 5 x 104 cells/well. Studies examining 

adhesion and proliferation at a lower cellular density were conducted using forty-

electrode arrays and a seeding density of 1 x 104 cells/well. Measurements were 

performed directly in the appropriate cell culture media, allowing real-time monitoring, 

in an incubator with high humidity at 37 °C and 5% CO2.  
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ECIS analysis revealed that both NIH3T3 and MC3T3 cellular adhesion is delayed on 

Glyc-CHI films (Figs. A1.1-A1.4). However, in all cases, cellular adhesion eventually 

reaches levels similar to tissue culture plastic controls, with the rate of surface adhesion 

being dependent upon the cell seeding density employed. Electrodes were also coated 

with corresponding films composed of unmodified chitosan and HA, however, cells did 

not adhere (data not shown). 
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FIGURE A.1.1: Representative electric cell-substrate impedance sensing (ECIS) plot of 
NIH3T3 cell attachment at high seeding density on uncoated electrodes (blue) and 
electrodes coated in [Glyc-CHI/HA]10Glyc-CHI films (magenta). Normalized capacitance 
analyzed at 32 kHz.   
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FIGURE A.1.2: Representative electric cell-substrate impedance sensing (ECIS) plot of 
NIH3T3 cell attachment and proliferation at low seeding density on uncoated electrodes 
(blue) and electrodes coated in [Glyc-CHI/HA]10Glyc-CHI films (magenta). Normalized 
capacitance analyzed at 32 kHz.  
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FIGURE A.1.3: Representative electric cell-substrate impedance sensing (ECIS) plot of 
MC3T3 cell attachment at high seeding density on uncoated electrodes (blue) and electrodes 
coated in [Glyc-CHI/HA]10Glyc-CHI films (magenta). Normalized capacitance analyzed at 
32 kHz.   
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FIGURE A.1.4: Representative electric cell-substrate impedance sensing (ECIS) plot of 
MC3T3 cell attachment and proliferation at low seeding density on uncoated electrodes 
(blue) and electrodes coated in [Glyc-CHI/HA]10Glyc-CHI films (magenta). Normalized 
capacitance analyzed at 32 kHz.  
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Appendix 2: Glycol-Chitosan/Hyaluronic Acid Films with 
Embedded Gene Delivery Polyplexes Exhibit Low In Vitro 
Transfection Efficiencies  
 

In order to enhance transfection efficiencies from our LbL-films, we originally proposed 

to use polyethylemine (PEI), one of the most efficient and widely studied polymeric 

transfection reagents, as our gene carrier vector.  PEI-based polyplexes have been used to 

transfect many different cell lines, in numerous scaffold-based gene delivery designs 

(384), and have also been explored for 2D gene delivery from PE multilayer films (250), 

thus making them an attractive candidate for our studies. We thus began by examining in 

vitro transfection from Glyc-CHI/HA polyelectrolyte mulilayers with incorporated PEI-

based gene delivery polyplexes. 

  

Gene delivery polyplexes were formed by complexing linear PEI with a molecular weight 

of ~ 25 kDa and various amounts of plasmid DNA encoding the fluorescent marker gene 

EGFP at various N:P ratios. Prior to embedding, the size and surface charge of the 

resulting polyplexes were characterized via dynamic light scattering and zeta potential 

analysis, respectively (Table A.2.1). 
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Table A.2.1: Physical characterization of pEGFP containing polyplexes (PEI). Polyplexes 
were formed with linear 25 kDa PEI at an N:P ratio of 24. The size and polydispersity of the 
resulting complexes were determined via low angle dynamic light scattering (DLS), while 
particle surface charge was characterized via zeta potential measurement. Data presented is 
from 3 separate experiments (n=9). 
 

The resulting gene delivery polyplexes were then adsorbed on top of, or within, Glyc-

CHI/HA LbL films of varying architectures. The in vitro transfection efficiency of the 

resulting films was then tested in NIH3T3 cells via FACS analysis (Table A.2.2). Results 

indicated lower than desired transfection efficiencies (less than 5%) in all studies, thus, 

we switched our delivery vector to lipid-based Lipofectamine2000TM. 

 

% GFP + % PI +
"4 ug" Films "8 ug" Films "4 ug" Films "8 ug" Films

N:P 2 billayers 4 billayers 2 billayers 4 billayers 2 billayers 4 billayers 2 billayers 4 billayers
12 0.26 ± 0.16 0.98 ± 0.41 1.5 ± 0.46 2.9 ± 0.75 3.25 ± 0.93 3.98 ± 1.45 3.67 ± 1.83 3.81 ± 1.11
24 0.41 ± 0.30 1.62 ± 1.20 1.61 ± 1.04 2.81 ± 2.44 4.00 ± 2.30 4.60 ± 2.15 3.10 ± 1.33 3.76 ± 2.45
48 0.39 ± 0.21 1.84 ± 0.16 0.48 ± 0.10 0.13 ± 0.08 5.78 ± 0.87 4.92 ± 0.80 2.07 ± 0.23 2.55 ± 1.28  

Table A.2.2 NIH3T3 transfection efficiency and death after 48 hrs of growth on [Glyc-
CHI/HA]5- Poly-[HA/ Glyc-CHI]N films, where N=2 or 4. Film embedded polyplexes were 
formed from polyethylimine (PEI) and the indicated amount of pEGFP at the listed N:P 
ratios. Data presented represent the mean percentage of GFP-expressing (%GFP+) or PI-
staining (%PI+) cells, as determined via fluorescent activated cell sorting, ± STD for 2, or 3 
separate experiments. (n=6, or 9). 
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Appendix 3: HEK293 cells Adhered Poorly to LbL Coated and 
Uncoated PLGA Scaffolds 
 

HEK293 human embryonic kidney cells are one of the most widely employed model cell 

lines in transfection assessment studies. However, HEK293 cells are also known to be 

weakly adherent to many material surfaces (428-430). In order to non-invasively assess 

HEK293 cell seeding and growth on our LbL-coated PLGA scaffold system we 

performed optical coherence phase microscopy (OCPM) imaging. HEK293 cells were 

seeded on uncoated control scaffolds or scaffolds coated with either [Glyc-

CHI/HA]5Glyc-CHI films or [Glyc-CHI/HA]5Glyc-CHI-Lipo-[Glyc-CHI/HA]2Glyc-CHI 

films, where lipoplexes were formed using 4 µg of plasmid DNA and 8 µL of 

Lipofectamine2000TM.  

 

FIGURE A.3.1: Representative optical coherence phase microscopy (OCPM) cross-sectional 
images of HEK293 cell growth on LbL-coated scaffolds, with (left) and without (center) 
embedded gene delivery lipoplexes, and on uncoated control scaffolds (right) at the time 
points indicated. All images are of a small representative 1mm x 1mm region within the 
scaffold, and represent an imaging penetration depth of 1mm. 
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Representative cross-sectional images of overall construct morphology on days one and 

three for each scaffold system are presented in Fig. A.3.1. The polymeric scaffold strands 

are evident within the OCPM intensity images as large, optically dense structures. OCPM 

images for all scaffold systems at both time points clearly indicate that many HEK293 

cells are non-adherent, appearing as unattached clusters or layers of cells at the bottom 

well surface. Cells remaining within the scaffolds were hard to distinguish from the 

scaffold strands on which they were growing. Overall, HEK293 cells were poorly 

adherent on both uncoated and LbL-coated PLGA scaffolds. 

 


