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SUMMARY

The biomaterial component of a tissue engineered device has been shown
to enhance the immune response to a co-delivered model shed antigen. The
purpose of this research was to investigate in vivo the differential level of the
immune response toward different forms of the biomaterial.

A model shed

antigen, ovalbumin (OVA), was incorporated into polymeric biomaterial carriers
made of 50:50 poly(lactic-co-glycolic acid) (PLGA) in the form of microparticles
(MP) or scaffolds (SC). These MP and SC biomaterial carrier vehicles with
incorporated antigen were then injected or implanted, respectively, into C57BL6
mice to investigate the differential level of the immune response towards OVA
controlled release from PLGA MP and PLGA SC. For each polymeric carrier, the
resulting time-dependent systemic humoral immune response towards the
incorporated OVA, the OVA-specific IgG concentration and isotypes (IgG2a or
IgG1, indicating a predominant Th1 or Th2 response, respectively) were
determined using ELISA. To assess the differential level of the immune response
depending on the form of PLGA, the total amounts of polymer and OVA
delivered were kept constant as well as the release rate of OVA. The in vitro
protein release kinetics were studied for both PLGA microparticles and PLGA
scaffolds to examine the release rate of OVA from the polymeric carriers.
The level of the humoral immune response was higher and sustained for
OVA released from PLGA SC which were implanted with associated tissue
damage, and lower and transient when the same amount of polymer and OVA

x

were delivered from PLGA MP, which were minimally invasively delivered by
injection. This immune response was primarily Th2 helper T cell-dependent as
exemplified by the predominance of IgG1 isotype, although for the strong
adjuvant, Complete Freund’s adjuvant (CFA), and PLGA SC carriers the antiOVA IgG2a isotype levels were also significant, potentially indicating both a Th2
and Th1 response.
The PLGA SC and PLGA MP exhibited similar protein release kinetics,
releasing similar amounts of OVA at each time point. Each carrier incubated
contained the same ratio of OVA to polymer. In vitro protein release kinetics
experiments suggest that the rate of release of OVA from PLGA SC and PLGA
MP was similar, and therefore the enhanced immune response induced by PLGA
SC is most likely due to ‘danger signals’ from implantation which primed the
system for an enhanced immune response and not from a difference in
concentration of OVA released from the carriers.
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CHAPTER I
INTRODUCTION

Tissue engineering is an emerging multidisciplinary field involving biology,
medicine, and engineering to revolutionize the way patients are treated by restoring,
maintaining, or enhancing tissue and organ function. Tissue engineering devices usually
consist of a polymeric biomaterial component as well as associated cells or biomolecules,
such as proteins. These transplanted cells or biomolecules can be recognized as foreign
by the host’s immune system depending on the cell source (allo- or xenogeneic), which
stimulates an antigen-specific immune response. The biomaterial may trigger a nonspecific inflammatory response including the recruitment and activation of antigen
presenting cells such as dendritic cells and macrophages. The biomaterial component has
been previously shown to act as an adjuvant in the enhancement of the immune response
towards to the cellular component of a tissue engineered construct. The hypothesis of
this research is that biomaterials in the form of scaffolds, which are implanted with
associated tissue damage, induce a higher level of immune response to associated codelivered antigen as compared to biomaterials in the form of microparticles, which are
minimally invasively delivered by injection.
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Objectives

Specific Aim 1: Determine the formulation necessary to maintain a common ratio of
OVA: polymer dose for both PLGA MP and PLGA SC carrier vehicles. A ratio of 1.075
mg OVA/mg polymer was formulated to keep the same ratio of OVA: polymer for both
the PLGA MP and PLGA SC carrier vehicles.

A double-emulsion solvent-extraction

technique with a polyvinyl alcohol coat allowed for the controlled encapsulation of OVA
into the PLGA MP.

Ovalbumin was directly incorporated into PLGA SC in the

commonly used solvent casting particulate leaching technique.

Specific Aim 2: Study the in vitro protein release kinetics of OVA from both PLGA MP
and PLGA SC to insure a constant release rate for both carrier vehicles. The in vitro
release kinetics of OVA into PBS from OVA-loaded PLGA MP and PLGA SC were
evaluated over 28 days.

Specific Aim 3: Assess the differential level of the enhancement in the immune response
towards OVA when it is controlled released from PLGA MP or PLGA SC.

To

investigate the differential level of the enhancement of the humoral immune response
towards OVA controlled release from PLGA MP or PLGA SC, the total amount of
polymer and OVA delivered (1.075 mg OVA/mg PLGA) was kept constant as well as the
release rate of OVA from these two vehicles. The controlled release of OVA from the
carriers then allowed testing of the hypothesis that a differential level of biomaterial
adjuvant effect will be observed in the immune response towards associated antigen
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depending on the form of the carrier vehicle, which is proportional to the extent of tissue
damage associated with its insertion in agreement with the ‘danger’ model of immunity.
In the serum of C57BL/6 mice receiving these OVA carrier vehicles, the anti-OVA total
IgG concentrations and isotypes were determined in order to study the differential level
of the immune response towards the different forms of PLGA.
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CHAPTER II
LITERATURE REVIEW

Motivation for Tissue Engineering

Across the United States, an average of seventeen men, women, and children die
every day due to lack of sufficient numbers of organ donors. According to the United
Network for Organ Sharing (UNOS), currently there are over 85,000 patients waiting for
organs in the United States alone, with 58,000 of these patients needing kidneys [1].
Every twelve minutes another name is added to the growing organ transplant wait list due
to injury, disease, or autoimmune disorders irreversibly damaging organs.
Tissue engineering introduced an alternative to waiting for appropriate organ
transplants in the 1970’s by the concept of applying a combination of polymers (natural
or synthetic), cells, and biomolecules for the regeneration, repair, or modification of
damaged tissues or organs. Tissue engineering seeks to regenerate tissues with methods
other than conventional medicines and drug therapies. Included in tissue engineering is
the development of cell lines and tissues for the intent of restoring function and
physiology lost due to damaged tissue or organs. A large amount of research focuses on
restoring function through the use of cell therapies derived from autologous cells, cells
from an established cell line, stem cells, or genetically modified cells [2,3]. To expand
the possible sources of cells, cells from human donors (allografts) [4] or from other
animals (xenografts) [5] are being explored, however there is still the concern of
immunological rejection as in organ transplantation. These modified cells can then be
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seeded into a three-dimensional device component such as a scaffold, matrix, or
membrane, in order to regenerate damaged tissue. For the tissue engineered construct to
be successful in regenerating tissue, the cells must be viable and able to carry out their
metabolic functions within the matrix. The tissue engineered device allows stimulation,
directly or indirectly, of cells into a specific activity [6].

Also, the biomaterial

component, typically a polymer, must sustain long-term structural and functional
properties in order to endure the harsh physiological environment. Along with this harsh
physiological environment is the potential immune response towards the tissue
engineered construct in vivo due to the cellular component which may be of allogeneic or
xenogeneic origin. An inflammatory response will typically be directed against the
biomaterial component of the construct while a specific immune response may be
directed against incorporated foreign cells of either allogeneic or xenogenic origin. In
order to be successful and fully integrate into neighboring tissue, a tissue engineered
construct must also be able to evade the host inflammatory and immune response.

Biomaterials Used in Tissue Engineering

Biomaterials used in tissue engineering may be of either natural or synthetic
origin.

Synthetic biomaterials [e.g., poly(α-hydroxy acid) family of polymers [e.g.,

poly(lactic-co-glycolic acid) (PLGA)]] are typically biodegradable, temporary threedimensional scaffolds which allow cells to attach and eventually grow and differentiate in
a preferred manner while depositing their own natural extracellular matrix as the
biomaterial degrades. This property of biodegradation makes PLGA scaffolds attractive
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for gradually regenerating tissues, yet the PLGA scaffold may only be used as a
temporary implant as a result [7].

Natural biomaterials include protein and

polysaccharide polymers such as collagen, fibrin, elastin, alginate, chitosan, and
hyaluronic acid. These biomaterials are similar in nature to the host tissue and have less
toxicity. However, they are also quite immunogenic and structurally complex, making
them difficult to manufacture [7].
Scaffolds may also be used as a method of gradually delivering growth factors to
encourage new cell growth and direction [8]. The biomaterial scaffold will eventually
degrade and be replaced by a cell-derived extracellular matrix, resulting in the formation
of natural tissue. Biomaterials may also be fabricated in other forms besides scaffolds
such as injectable systems for cell printing (assembling cells in a pre-defined pattern onto
a biomedical construct) and injectable polymeric microparticles.

These injectable

biomaterials allow for great ease in implantation and less complications as observed with
invasive surgeries. Overall, a biomaterial will influence surrounding natural tissue as
well as be influenced by the tissue to degrade over time and be replaced by the host
natural tissue [8].
The advantage of using biomaterials in tissue engineering is the ability to restore
function and physiology lost due to damaged tissue or organs and the ability to transplant
altered cells into specific locations, including immunoprivileged sites. These cells can be
manipulated, unlike with transplant organs, to enhance a specific function or to reduce
immunogenicity so that a transplant is more successful in its ability to integrate into the
host tissue. Altered cells for transplantation may also be cryopreserved for off the shelf
availability and joined with a combination of other cells in a biomaterial scaffold to
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enhance a specific function [9]. Since the cells may be manipulated in order to decrease
immunogenicity, allogenic and xenogenic cells may be used for this form of tissue
engineering, potentially offering unlimited cell sources. In reality, these transplanted
cells will induce an immune response and may cause severe complications upon
implantation. More research is needed to find a method to truly immunoisolate these
foreign cells from the host defense system and thereby avoid implant rejection.
For each specific application, a biomaterial must be considered for its
composition, mechanical properties, porosity, degradation rate, reproducibility,
biocompatibility, sterilizability, and shelf-life. It is important to consider such properties
as the topography for cell attachment and migration or differentiation. Most scaffolds are
porous so that surrounding tissue may infiltrate the scaffold and begin to regrow [10].
Polymers such as nylon and polyester are commonly used as sutures and artificial blood
vessels due to their resilient strength. Biodegradable polymers are resilient and easy to
fabricate, yet they are also not very strong and will deform with time as they degrade. As
a polymer degrades, it will release degradation products that will change the acidity of
the local environment, resulting in changes in homeostasis [7]. Metals, such as titanium
and stainless steels, are used as bone plates and joint replacements due to their strong and
ductile mechanical properties. Stainless steels were used as early joint replacement
prosthesis components and found to be inadequate in their fatigue strength, allowing
bending and breaking of the device with stress over time.

These metals may be

chemically passivated in order to increase biocompatibility with the host, yet the
properties of the metal may change with this passivation such as the hardness of the
metal. A major concern with metals as biomedical implants is their ability to corrode
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upon removal of this passivation coating. Ceramics, such as calcium phosphates and
hydroxyapatite, are biocompatible and are used for orthopedic implant parts [7]. They
are well tolerated by the body, yet they are brittle and difficult to manufacture.

Natural Biomaterials For Tissue Engineering

Natural biomaterials include such materials as protein polymers, polysaccharide
polymers, and lipids. Of these materials, collagen, chitin, and hyaluronic acid (HA) are
the most commonly used for tissue engineering devices. Advantages of natural materials
include biofunctionality, biodegradablitiy, and less of an inflammatory response upon
implantation into the host.

However the disadvantages include low mechanical

properties, low stability, and complex processing [7, 11].
Natural biomaterials are biomimetic in that they are able to imitate the
extracellular matrix of natural tissues.

Chitosan, manufactured from polysaccharide

chitin found in crab shell, is often used for absorbable sutures as well as for skin and
cartilage tissue engineering [12,13]. Chitosan fiber scaffolds with seeded chondrocytes
are able to produce new extracellular matrix in a way similar to natural cartilage. The
randomly arranged chitosan fibers are able to distribute the strain and allow for the
integration of new cartilage [13].

These scaffolds offer promise in using natural

biomaterials for the repair of defects in articular cartilage as they have the appropriate
structure and the desired composition, mechanical properties, and durability similar to
articular cartilage in vivo. Chitosan fiber scaffolds have proven to be more successful for
this area of tissue engineering versus foams and hydrogels which do not meet these
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physical and mechanical needs [13]. However, chitosan is highly immunogeneic and
there are some concerns about its toxicity.
Collagen, a family of fibrous insoluble proteins, is another promising natural
biomaterial which is used for skin and cartilage tissue engineering, heart valves and
vascular grafts, orthopedic applications, and drug delivery. Collagen is commonly used
for such medical purposes as replacing ligaments due to its mechanical strength [14] and
for facial dermal repair [14]. Studies have suggested that collagen with immobilized
heparin prevents surface thrombus formation, making collagen safe and efficient for
vascular grafts [16]. However, it is still significantly immunogeneic. Collagen with
incorporated human fibroblasts exhibits high mechanical strength, which makes it a
useful seeded scaffold for potential use in an artificial heart [17]. One of the most
popular uses of collagen is for cartilage tissue engineering.

As collagen scaffolds

gradually degrade, they form homogenous cartilage much like the natural host cartilage.
Cartilage tissue engineering efforts have focused on combining collagen with synthetic
polymers in order to increase the mechanical properties of a scaffold as well as to
increase cell-seeding of chondrocytes [18].
Hyaluronic acid (HA) is a component of the extracellular matrix of embryonic
mesenchymal tissue which is often used for dermal wound healing applications as well as
bone tissue engineering.

When fibronectin (FN) is combined with HA in collagen

scaffolds, fibroblasts are encouraged to migrate into the scaffolds and stimulate wound
healing. The HA component of the scaffold will enhance wound healing and tissue
regeneration, even in areas where scar tissue may block natural wound healing [19].
Hyaluronic acid in the form of hydrogels is unique in its wound healing and angiogenesis
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ability.

As a natural polymer, it is easily manufactured and modified, as well as

hydrophilic and biodegradable. Hyaluronic acid is also nonadhesive, a required property
for vascular grafts [20].

There is some question about the long-term mechanical

properties of HA. Research is currently underway to strengthen HA by the addition of
other materials or chemicals.
Two types of biomaterials may also be combined in a scaffold in order to form a
device with multiple properties of the individual components.

For example,

polysaccharide hybrid materials for cartilage tissue engineering scaffolds can be
composed of alginate and chitosan fibers to allow for enhanced chondrocyte adhesion
[21]. The combination of these two polymer fibers allows for enhanced adhesion of
chondrocytes as well as the maintenance of cellular structure. In the area of bone tissue
engineering, hydroxyapatite/collagen (HAC) scaffolds mimic the extracellular matrix of
bone. The collagen component allows for natural-like apatite formation [22]. Agarose
combined with fibronectin has been used as conduits to repair short gaps in peripheral
nerves, and recently for large gaps [23]. These conduits allow growth of Schwann cells
and fibroblasts by contact guidance. In deciding what material to use it is important to
consider the intended application of the device and whether the materials used are
appropriate.

Synthetic Biomaterials For Tissue Engineering

Of the synthetic biomaterials (including polymers, metals, ceramics, and glass)
polymers are most commonly used in tissue engineering. Much research focuses on the
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use of polymers from the poly(α-hydroxy acid) family, which are thermoplastic aliphatic
polymers with many desirable properties for tissue engineering constructs such as their
ability to biodegrade, their biocompatibility, and their relatively good processability.
Disadvantages include immunogenecity, poor mechanical properties, and acidic
degradation products which may effect homeostasis. Common homopolymers in this
family are poly(L-lactic acid) (PLLA) and poly(glycolic acid) (PGA) which may be
joined in various molar ratios to form the copolymer poly(DL-lactic-co-glycolic acid)
(PLGA).
The copolymer PLGA is a biodegradable polymer which undergoes nonenzymatic bulk degradation by hydrolysis of the ester linkages in the backbone of the
polymer [24]. The degradation rate of PLGA is dependent to an extent on the molar ratio
of lactic to glycolic acid. The degradation time of PLGA can be controlled from weeks
to over a year by varying the ratio of monomers. For example, increasing glycolic acid,
the hydrophilic component of the copolymer, increases the biodegradation rate [25]. As
the PLGA biodegrades, lactic acid is naturally metabolized in the tricarboxylic acid cycle
and then eliminated from the body in the form of water and carbon dioxide removed
through respiration [26]. Glycolic acid may also follow this cycle or be excreted
unmodified from the body as water and carbon dioxide.

During biodegradation of

PLGA, it is important that these acidic degradation products are removed from the body
to maintain homeostasis [27].
The strong interest in biodegradable polymers such as PLGA is that they do not
elicit permanent chronic foreign-body reactions, as they will be gradually absorbed by the
host.

They also are able to regenerate tissues through the interaction of their
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biodegradation with immune cells. However, even with this appeal, the biodegradable
polymer implants release acidic degradation products which cannot be eliminated quickly
enough from the body, resulting in changes in homeostasis. A solution to this problem
would be to allow for a slower release of degradation products versus a burst release so
that the products could be timely metabolized. The development of new biodegradable
polymers is a research challenge as they must be biocompatible and release low-toxicity
degradation products.
The poly (alpha-hydroxy acid) family is commonly used for a variety of
biomedical purposes [28] including sutures, drug delivery devices, orthopedic fixation
devices, as well as tissue engineered blood vessels, and nerve regeneration channels.
The biodegradable polymer poly(L-lactic acid) (PLLA) has a high tensile strength and
low elongation which allows it to have a high modulus suitable for load-bearing
applications such as bone fracture fixation. Poly(glycolic acid) (PGA) was first used as
resorbable sutures, and then became material for meshes and surgical products [29]. A
limitation of these sutures is that they lose their mechanical strength at 2 to 4 weeks after
implantation. Sponge tubes made of PGA-collagen for nerve regeneration show more
promise than the composite tubes in maintaining structural integrity for neuronal support
[30]. The copolymer PLGA is commonly used for cartilage tissue engineering due to its
ease in incorporating chondrocytes and supporting their differentiation into an
appropriate phenotype [31].

Many studies focus on using PLGA in the form of

microparticles for drug or growth factor delivery. An attractive use of PLGA in tissue
engineering is the potential to transplant pluripotent stem cells inside PLGA
microparticle beads to stimulate tissue regeneration [32].
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There is also a motivation to manufacture biomaterial surfaces to which proteins
will not adhere.

Polyethylene oxide (PEO) aids in making a biomaterial more

biocompatible by reducing non-specific protein adherence to biomaterials [33,34]. These
biomaterials are able to resist leukocyte adhesion, therefore inducing less of an
inflammatory response.

However, fibrous encapsulation will still occur due to

macrophages at the implant site. Hydrophilic and anionic substrates allow for decreased
rates of macrophage adhesion on biomaterial surfaces [35].
The decision of which biodegradable material to use for an application should
consider the kinetics of degradation as well as the mechanical properties. For a material
to be more susceptible for degradation so that the natural tissue will replace the scaffold,
bonds need to be susceptible to cleavage so that enzymes may gradually digest the
biomaterial in vivo. It is also important that the degradation products be nontoxic [36].
Another advantage of biodegradable polymers is the ability to manufacture the polymers
in different geometries and different sizes for tissue regeneration as well as the
incorporation of growth factors and other bioactive molecules [27].

Biocompatibility

In 2003 it was suggested that the term biocompatibility should be based on the
application of the biomaterial versus the composition of the material [6]. Previously the
definition had been based on the ability of a material to perform with the appropriate
response in a specific application, and considered mainly only the biological safety of the
material. How the biomaterial performs should be included in the definition, not just that
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it is of a certain material. It is important to recognize that the host response to the
material will vary and some materials are not as applicable and efficient in certain
situations as others. Biomaterials today are varied in their applications and responses so
that a new definition of biocompatibility must be considered [6].
Long-term implanted biomaterials, such as titanium, cobalt-chromium alloys,
platinum, carbon, alumnia, silicone, polytetrafluoroethlyene (PTFE), polyester,
polymethylmethacrylate (PMMA), and polyethylene (PE), are used as such due to their
mechanical properties as well as ability to resist corrosion and degradation. For these
long-term implants, the importance is the outlasting mechanics and relatively low
reactivity [6,7]. Although some of these long-term implants have been coated with
surface coatings, these coats can be subjected to degradation (i.e. by the changing pH of
the local environment due to metabolic products), rendering then more likely to induce an
inflammatory response. Also, the corrosion products may elicit an adverse biological
reaction in the host. To control this corrosion, researchers have used noble metals (i.e.
gold, silver, and platinum) which exhibit good corrosion resistance. However, these are
costly and have poor mechanical properties.

Therefore most research focuses on

passivation of mechanically strong biomaterials. Biocompatibility should be thought of
as a two way street with the material affecting the host either systemically or locally and
the host affecting the degradation of the material as well. The biocompatibility of a tissue
engineered device is described as the ability of a scaffold, matrix, or membrane to
support cellular activity in order to optimize tissue regeneration without any damaging
effects to these cells or the host either locally or systemically [6].
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It would be ideal to make a biomedical polymer that is relatively unreactive and
non-toxic. However, no biomaterial is inert and unreactive when in contact with the host
environment.

Most biomaterials will exhibit some thrombogenic and inflammatory

properties.

Inflammatory Response to Implanted Biomaterials

Tissue damage and changes in homeostasis occur with the implantation, insertion,
or injection of a biomaterial, resulting in damage to connective and adipose tissue and the
release of proteins from these damaged tissues into the surrounding area. Injury to tissue
caused by the insertion of a biomaterial leads to a tissue response in the form of
inflammation, wound healing, and foreign body response [37]. The extent and duration
of the host tissue response will depend on the implant procedure as well as the physical
and chemical properties of the biomaterial implanted. Many events occur during the host
response of inflammation and wound healing after an injury, and may follow the
sequence of acute inflammation, chronic inflammation, granulation tissue formation,
foreign body reaction, and fibrosis [37].
After a biomaterial is implanted, inflammation occurs in order to contain any
harmful agent at the site of injury as well as to begin regenerating natural parenchymal
cells at the site. Blood proteins, cells, and plasma fluid may leave damaged blood vessels
through exudation, stimulating cellular responses and chemical factors for mediating
inflammation [37].

At this time thrombosis may occur due to an accumulation of

activated platelets, forming a blood clot which aids in immune cell migration. Platelets
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adhere to collagen exposed during blood vessel injury and form a thrombus by the
binding of plasma fibrinogen and von Willebrand Factor to the integrin alpha(IIb)beta(3)
[38]. Activated platelets express P-selectin which will later mediate leukocyte rolling to
the injury site [39].

They also express platelet-derived growth factor (PDGF) and

transforming growth factors (TGF B1 and B2) from their granules, activating
macrophages and fibroblasts to migrate to the injury site and initiate wound healing [37].
Platelet adhesion to biomaterial surfaces may be mediated by platelet glycoprotein
IIb/IIIa as well as through the GP IIb-vWF interaction. Platelet activity is studied to
produce a non-thrombogenic tissue engineered construct.

If a biomaterial induces

thrombosis platelets will be removed from circulation at a rapid rate, resulting in platelet
consumption. In a study of the importance of PDGF in regulating wound healing,
transgenic mice with PDGF-D showed increased macrophage recruitment and
angiogenesis as compared to control mice [40].
Acute inflammation occurs over minutes to days and is important for the
emigration of leukocytes, mainly neutrophils, from the blood vessels to the implantation
site [37].

Leukocytes migrate by “rolling” along the endothelium, a process which is

assisted by adhesion molecules and chemotactic stimuli. Selectins, such as L-selectin
expressed on neutrophils, initiate primary interaction between the endothelium and
leukocytes, resulting in “rolling” of the leukocytes along the venous wall [41]. This
rolling induces leukocyte activation due to contact with activating molecules (e.g.,
interleukin 8) resulting in an upregulation of the functional activation of beta 2-integrins
(CD11/CD18) which interact with the counter receptor ICAM-1 on the endothelium,
leading to a secondary, tighter adhesion between leukocytes and the endothelium [42].
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After migration to the implantation site, the leukocytes initiate phagocytosis by
releasing cytokines, proteolytic enzymes, and reactive oxygen intermediates. At the same
time, monocytes are stimulated to migrate in response to TGF-beta and monocyte
chemoattractant protein-1, and will differentiate into macrophages at the injury site [43].
Macrophages work alongside leukocytes in the phagocytosis of bacteria, debris, or
foreign particles as well as initiate wound healing by releasing a variety of growth
factors, such as vascular endothelial growth factor (VEGF) and basic fibroblast growth
factor (bFGF) to stimulate angiogenesis [40].
During phagocytosis, neutrophils and macrophages must first recognize and bind
to harmful agents which have been coated with opsonins (serum factors such as
immunoglobulin G (IgG), complement-activated fragment C3b, and fibrinogen), engulf
the agent, and finally degrade it [37, 44, 45, 46]. Sometimes, however, the biomaterial is
too large for this engulfment and “frustrated” phagocytosis occurs so that phagocytes
resort to releasing enzymatic products in an attempt to degrade the foreign material [37].
Macrophages will secrete different cytokines and growth factors depending on the
particular opsonins coating a biomaterial. This also controls the ability of the fibroblasts
to proliferate as different cytokines will have different influences on fibroblast growth
[46].

Protein adsorption on a biomaterial surface produces different levels of

macrophage cytokines IL-1 beta, IL-6, and TNF-alpha, suggesting that macrophage
activation is indeed dependent on the type of polymer as well as the type of adsorbed
proteins on the polymer [47].
Chronic inflammation develops with the prolonged presence of inflammatory
stimuli, macrophages, and lymphocytes as well as the regeneration of blood vessels and
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connective tissue [37]. Macrophages are able to process foreign antigens and present
them to other immune cells to stimulate an adaptive immune response towards the
specific antigen. They also are able to secrete important growth factors for wound
healing such as fibroblast growth factor (FGF) for the proliferation of fibroblasts, tumor
necrosis factor (TNF), platelet-derived growth factor (PDGF), and vascular endothelial
growth factor (VEGF) for the regeneration of blood vessels. Growth factors from
macrophages will encourage cells to proliferate, migrate, and differentiate as well as
stimulate tissue remodeling [37, 40].
As little as four days after biomaterial implantation, fibroblasts and endothelial
cells may begin to proliferate and form granulation tissue, a sign that wound healing is
initiated. Angiogenesis occurs when the endothelial cells mature and form an organized
layer within capillary tubes [40] and new tissue is formed by the migrating fibroblasts
[48,49]. Macrophages at the site continue to release growth factors and cytokines, for
example PDGF, VEGF, and FGF [48]. The new tissue is a matrix for macrophages and
fibroblasts to migrate and initiate tissue regeneration and remodeling. Eventually the
tissue will be remodeled and cross-linked collagen with a high tensile strength, mainly
collagen III, will be formed on this matrix [48, 49].

Fibroblasts will continue to

proliferate and differentiate into myofibroblasts as they manufacture new collagen. This
fibroblast proliferation is controlled by a complex signaling pathway involving TNF-beta
as well as epidermal growth factor (EGF) [49]. Once the injury site is cleared of harmful
agents, fibroblasts will proliferate at the injury site, depositing new tissue, and initiate
wound closure [48].
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The foreign body response, the last stage of the wound healing process, is
dependent upon the topography of the biomaterial [37]. A smooth surface may attract
minimal macrophages while a rough surface will also result in the formation of foreign
body giant cells (fused monocytes and macrophages) (FBGC). The macrophages are
activated by both chemical and physical cues from the biomaterial [50] and foreign body
giant cells may stay on the surface of an implant throughout its in vivo use. The final
phase of wound healing is the fibrous encapsulation of the biomaterial, isolating it from
the rest of the host. There is an interest of the effect of this fibrous barrier on the
diffusion of nutrients and drugs. It is important to keep any implanted cells within a
biomaterial alive and able to receive nutrition as well as discard metabolic waste [51].
The amount of encapsulation also depends on the form of the biomaterial and the
intensity of the implantation (for example injection versus surgical implantation). Smalldiameter microfiber implants do not become encapsulated after subcutaneous
implantation, although large-diameter fibers (5.9 micron) are encapsulated [52]. It is
believed that the larger diameter fibers have a more pronounced dead space area between
collagen fibers which attracts the infiltration of inflammatory cells into the space,
stimulating fibrous encapsulation. The overall wound healing is highly dependant on
adequate blood supply, the ability to receive nutrition, and the ability of the cells at the
site to proliferate and differentiate.
Many studies have focused on reducing the host inflammatory response towards a
biomaterial and thus increasing its biocompatibility. There is a motivation to decrease
the amount of macrophages and foreign body giant cells which release harmful
degradative enzymes towards the biomaterial. For example, polyurethanes with modified
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surfaces containing silicone can alter and decrease macrophage adhesion, improving the
biostability of polyurethane [53].

To inhibit FBGC, diacylglycerol kinase inhibitor

R59022 has been discovered as a potent inhibitor of macrophage and monocyte fusion to
form FBGCs. On the other hand, alpha-tocopherol stimulates FBGC formation [54]. As
mentioned before, different surface properties of a biomaterial may alter the degree of
macrophage and FGGC formation at the surface.

For example, an interpenetrating

polymer network composed of polyacrylamide and poly(ethylene glycol) restricts cell
adsorption while N-(2 aminoethyl)-3-aminopropyltrimethoxysilane promotes cell
adhesion.

This difference in surface chemistry controlled FBGC formation and

macrophage fusion so that the interpenetrating polymer network did not form FBGCs
[55]. Specifically, the copolymer PLGA has shown good biocompatibility with little
FBGC formation at its surface. The two components of PLGA, PGA and PLLA, have
shown to cause little inflammatory response (a scarce number of monocytes and
leukocytes at the site) as biodegradable pins and screws for the fixation of bone factures
[56], and in fact the copolymer PLGA shows little inflammatory response in vivo, making
it a biocompatible polymer [57].

Innate and Adaptive Immunity

In order to create a tissue engineered device with incorporated cells (such as
allogeneic or xenogenic cells) which will fully integrate into host tissue without rejection,
it is necessary to understand both the innate immunity towards the implant (typically
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considered the inflammatory response) as well as the adaptive immunity towards the
transplanted cells. Innate and adaptive immunity are not independent processes and it is
vital to understand their interconnections in order to learn how to engineer the immune
response and allow a device to evade this response, thereby integrating into the host
tissue successfully.
Within hours of infection due to a pathogen or injury due to an implantation, innate
immunity takes effect and stimulated phagocytes and natural killer cells arrive at the site
of inflammation. Innate immunity is the first line of defense against foreign materials
(e.g., pathogens or biomaterials) and has physical barriers such as the epithelium as well
as blood proteins such as complement, inflammatory molecules, and cytokines [58]. The
innate immune response is largely mediated by phagocytes (such as neutrophils,
macrophages, and natural killer cells) which engulf the foreign materials and release
mediators such as reactive oxygen intermediates in an attempt to destroy them. Innate
immunity is responsible for recognizing microbes or other foreign materials such as
biomaterials whereas adaptive immunity recognizes both microbes and non-microbal
agents such as transplanted cells which are allo- or xenogeneic. Unlike innate immunity,
there is more diversity with adaptive immunity as well as B memory cells which can
retain memory of an antigen. The innate response to a foreign body, either a pathogen or
an implanted biomaterial, is the same as the inflammatory response to biomaterials.
The innate immune system may recognize foreign agents through either
evolutionary conserved structures belonging to pathogens or through opsonin proteins
coating a foreign object. Once a foreign antigen is recognized as such by an antigenpresenting cell (APC), the antigen is engulfed, processed, and then presented on the APC
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to lymphocytes, a process which initiates adaptive immunity. Adaptive immunity is
responsible for clearance of antigens, cells, or pathogens and is composed of cellular
immunity and humoral immunity. Cellular immunity involves the clonal expansion of
antigen specific T helper cells which will secrete cytokines for the activation of T and B
cells to proliferate and differentiate. During cellular immunity, cytotoxic T cells or
natural killer cells are involved in direct killing of cells containing foreign antigen. In
humoral immunity B cells produce antigen specific antibody for the clearance of a
pathogen [59].
There are two different pathways for antigen presentation depending on where the
antigen was derived. Antigens in the extracellular environment (exogenous antigens) will
be engulfed and processed by an APC and then presented in the direct pathway of antigen
presentation, major histocompatibility complex (MHC) class II pathway. The host APCs
in the MHC class II pathway present antigen to T helper cells via the CD4 molecule on
the T cells. MHC class II is expressed on mononuclear phagocytes, B cells, dendritic
cells, endothelial cells, as well as thymic endothelium. These complexes are responsible
for binding antigen and presenting it to T cells. They define self and each individual’s
MHC molecules differ from the next. Different MHC molecules also present different
antigens. During the second, indirect pathway of antigen presentation, or MHC class I
pathway, antigens are processed from the cytosol (intracellular) and then presented by
APCs to the CD8 molecule on cytotoxic T cells. MHC I is expressed on nucleated cells
as well as dendritic cells [58]. Cross-presentation of MHC molecules is also possible,
providing immunity to viruses and tolerance to self. There is new evidence that dendritic
cells have an ability to process exogenous antigens into the MHC class I pathway [59].
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The bridge between innate and adaptive immunity occurs when the innate immune
system’s pattern recognition receptors (PRRs) located on phagocytotic cells recognize
and bind pathogen associated molecular patterns (PAMPs). These PRRs, such as C-type
lectins and Toll-like receptors, recognize pathogens as well as stimulate intracellular
signaling which leads to the activation of the antigen presenting cells such that they are
efficient at antigen presentation and T cell stimulation.

For example, the mannose

receptor on macrophages binds certain sugar molecules on pathogens and toll-like
receptor 4 (TLR4) stimulates intracellular signaling upon contact with lipopolysaccharide
(LPS) by associating with CD14 on a macrophage [58, 60, 61].
During the MHC class II pathway of antigen presentation, a foreign antigen from the
extracellular region is engulfed by an APC and degraded in the endocytotic vesicles
within the cell which contain proteolytic enzymes. After the antigen is degraded into
peptide, MHC class II molecules, which are originally manufactured in the cell’s
endoplasmic reticulum, fuse with the endocytotic vesicles to associate with the processed
antigens inside the vesicles. After fusion, they form an antigen-MHC class II complex
which is transported to the cell surface to be presented by the APC to CD4+ T helper
cells (Figure 2-1). During MHC class I antigen presentation, either pathogenic proteins or
self-proteins which have mutated within the cell cytosol are processed in the cell
proteasome and then transported to the endoplasmic reticulum where they fuse with
MHC class I molecules. After fusion, the antigen-MHC class I complex is transported to
the surface of the APC for presentation to CD8+ T lymphocytes [58, 62].
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Antigen-presenting cells, such as macrophages displaying the antigen-MHC
complex, which have been activated during the innate immune response are the link
between innate and adaptive immunity as they become efficient at stimulating the
activation of T and B lymphocytes and the eventual production of antigen-specific
antibodies (Figure 2-1). In particular, dendritic cells are unique from all other APCs, as
they are the only cells with the ability to stimulate naive T lymphocytes [63]. Once an
APC has processed an antigen, it enters the lymphatic capillaries to travel to the lymph
nodes where many naïve T lymphocytes are situated. These T cells are formed in the
thymus and travel to the lymph nodes to come into contact with the APC antigen-MHC
complexes via the T cell receptor (TCR). Each TCR is specific for a particular antigenMHC complex [58]. On a T cell, the co-receptor molecule CD4 will bind to specific
parts of the MHC class II molecule. During MHC class I antigen presentation, CD8
binds the MHC class I molecule.

This T cell activation is also regulated by co-

stimulatory molecules such as CD80 and CD68 on APCS which bind to CD28 on T cells
[58]. Once T cell activation has occurred, naïve T cells synthesize the autocrine growth
factor interleukin-2 (IL-2) which stimulates the growth and differentiation of both CD4+
and CD8+ T cells. Clonal expansion of the T cells occurs when the expression of the
alpha chain of the IL-2 receptor is upregulated. Eventually large numbers of antigenspecific T cells are manufactured. These T cells, either CD4+ or CD8+, will differentiate
and mature. The T helper cells will secrete IL-4 to stimulate B cell growth and IL-5 to
stimulate B cell differentiation.

The cytokine INF-γ is responsible for activating

macrophages and therefore inducing delayed hypersensitivity towards an antigen (Figure
2-1). The CD4+ T cells may be further divided into two classes of T helper cells: Th1,
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which secrete cytokines that support cell-mediated immunity, and Th2, which secrete
cytokines during humoral immunity [58, 59].
Naïve T cells are stimulated via IL-12 from macrophages to become Th1 cells. Th1
helper T cells activate macrophages to increase expression of MHC class I and MHC
class II molecules by secreting interferon-γ (IFN- γ). Also as a result of secretion of IFNγ, B cells undergo isotype switching to produce IgG2a. IL-2 and IFN- γ encourage CD8+
T cells to grow and become cytotoxic T cells. IFN- γ will also stimulate B cells to
initiate complement and the opsonization of a foreign antigen to be phagocytosed. Th1
cells also activate macrophages to internalize antigen, undergo cell-mediated toxicity, and
delayed-type hypersensitivity [58].
Activation and differentiation of B cells and eosinophils is stimulated by Th2 T cells
by the secretion of IL-5, as well as B cell isotype switching. These Th2 cells secrete IL-4
which stimulates B cells to produce IgG1 and promote the growth and survival of T cells.
Once the B cells have matured, IL-10 increases expansion of MHC class II molecules on
the B cells as well as inhibits cytokine release from macrophages. The Th2 cytokines IL4 and IL-13 are responsible for the alternative activation of macrophages [64].
The CD8+ family of T cells differentiate into cytotoxic T cells in response to IL-2 for
the destruction of antigen-MHC class I complexes. These T cells secrete IFN-γ, TNF-β,
and TNF-α to activate macrophages. They are also responsible for inhibiting pathogens
by increasing expression of MHC class I molecules on macrophages by the secretion of
IFN- γ.

The CD8+ T cells may trigger cell apoptosis by expressing Fas ligand or by

releasing lytic granules, such as perfornin to form pores in the target cell’s membrane
[58].
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It is now thought that dendritic cells and complement are the bridge between innate
and adaptive immunity [65,66]. Dendritic cells are special macrophages, unique in their
ability to stimulate naïve T cells. Originally hematopoietic stem cells in the bone marrow,
immature dendritic cells migrate through blood to non-lymphoid tissues when guided by
chemokines. While immature, they reside in peripheral tissues and capture and process
any antigen they receive.

When stimulated by inflammatory signals produced by

pathogens or danger signals, they mature and migrate to the lymph nodes where they
present antigen for T cell priming (Figure 2-1, Figure 2-2).
Direct contact with a biomaterial is also a maturation stimulus for dendritic cells.
Dendritic cells treated with PLGA films or PLGA MP show moderate levels of dendritic
cell maturation as compared to the potent dendritic cell maturation activator, LPS. Films
and microparticles made of PLGA were also found to moderately increase expression of
co-stimulatory and MHC class II molecules [67].

Much research focuses on DC

maturation in order to find a method to suppress their maturation with a view towards not
enhancing any potential immune responses such as allogeneic cell rejection [64].
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Antibody-mediated adaptive immunity is responsible for rejection of implants
containing foreign antigen such as xenogenic or allogeneic tissues. Current interest lies
in methods to induce tolerance such as by deletion of T cells, as in mixed bone chimeras,
or by costimulatory blockade or APC depletion so that T cells are not able to respond to
an antigen. The adaptive immune response towards xenogenic tissue is mediated largely
by CD4+ T cells via the indirect pathway of antigen presentation (Figure 2-1). Dendritic
cells may also be manipulated to induce tolerance. For example, blocking the second
signal pathway of antigen presentation by anti-CD28, anti-B7, anti-CD40, anti-CD40L,
and CTLA4-Ig may reduce the activity of antigen presenting cells [65].
A biomaterial, as an adjuvant, may boost the immune response, stimulating the
humoral and cell-mediated immune responses (Figure 2-3). A strong adjuvant, Complete
Freund’s adjuvant (CFA) induces a high immune response to co-delivered foreign
antigen. There is a great advantage in using a biomaterial with an antigen in a vaccine to
boost the immunogeneicity of protein or DNA vaccines which induce low T and B cell
mediated adaptive immune response.

Adjuvants also may contain heat inactivated

microbacterial particles which activate and mature dendritic cells to produce cytokines
and a phenotype with stable expression of MHC and costimulatory molecules to support
effective antigen presentation and T cell stimulation [37].
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The ‘Danger’ Model of Adaptive Immunity
Dendritic cells are not only stimulated to act as antigen-presenting cells after
exposure to exogenous pathogens as described above, but may in fact become mature
upon ligating endogenous proteins called ‘danger signals’ which are released from
stressed, damaged, or dying cells (Figure 2-2). Such endogenous proteins are cell and
tissue derived endogenous ligands which include heat-shock proteins, necrotic cells and
extracellular-matrix breakdown products [68]. Specifically, hyaluronan fragments and
heparin sulfate proteoglycan [69] will bind to TLRs on DCs to result in NF-κB
activation, which regulates many proinflammatory and immune regulatory genes
resulting in dendritic cell maturation [70,71,72].

Also, proteins which adsorb to

biomaterials such as fibrinogen [73] and fibronectin [74] bind to TLRs on DCs,
mediating an adaptive immune response.

Stressed and necrotic epithelial cells will

activate human eosinophils [75]. The ‘danger’ model of immunity, which was proposed
in 1994, suggests that only an association between an antigen and a ‘danger signal’ will
trigger adaptive immunity after the recognition of these endogenous proteins by TLRs
[68, 69].
The human 60-kDa heat-shock protein (HSP60) is a danger signal to the innate
immune system, stimulating APCs. Macrophages will respond to HSP60 via the release
of TNF-α depending on the dosage of HSP60 present [76]. Heat-shock protein 60 is also
responsible for inducing gene expression of Th1 cytokines IL-12 and IL-15, suggesting it
plays a role in expression of Th1 tissue inflammation [76]. Different HSPs may have
different capacities to activate APCs. For example, HSP60 induces DC maturation and
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activation to produce proinflammatory cytokines while HSP71 comparatively is a weak
inducer of DC maturation [77].
Uric acid is a well known endogenous danger signal which cells may release
during injury. It can stimulate dendritic cells to mature and initiates the activation of
cytotoxic T helper cells when co-injected with antigen. If uric acid is removed, the
immune response towards antigens associated with injured cells is inhibited.

This

suggests a link between cellular injury and the immune response towards injured and
dying cells. This uric acid is a product of the degradation of RNA and DNA into purines
in injured cells [78]. Understanding the mechanisms of activating dendritic cells by such
endogenous ‘danger signals’ may lead to a better understanding of transplant rejection
and immune responses to tissue engineered constructs which are often implanted into a
tissue site, resulting in cell stress, inflammation and tissue damage [79,80,81].

Immune Responses in Tissue Engineering

During biomaterial implantation, a non-specific inflammatory response is initiated
including aspects of protein adsorption, complement activation, coagulation, and
neutrophil and macrophage adhesion and activation [82].

In addition to this

inflammatory response, transplanted cells (particularly if they are allogenic or xenogenic)
seeded into a biomaterial will be recognized as foreign by the host, inducing an antigenspecific immune response [82]. Encapsulated cells may shed antigens, which are able to
pass through the biomaterial capsule and are then internalized, processed and presented in
association with the host MHC class II molecules by APCs to host CD4+ helper T cells
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in the indirect pathway of antigen recognition [82] (see Figure 2-1). Although polymer
membranes are to provide immunoisolation of transplanted cells, these shed antigens are
able to stimulate the immune system which can lead to the destruction of the
encapsulated cells [82]. The biomaterial component of the tissue engineering device also
acts as an adjuvant, enhancing the humoral immune response towards a specific antigen.
For example, the model shed antigen, ovalbumin (OVA), adsorbed to different
biomaterial carriers in the form of microparticles or scaffolds formed a moderate immune
response as compared to the polymer or protein alone [83].
Xenografts pose the greatest risk of an immune response. However, reconstituted
extracellular matrix proteins have been used for vascular tissue, abdominal wall tissue,
and ligament tissue after modifications. Porcine small intestinal submucosa (SIS) is an
acellular extracellular matrix which is used for tissue repair in many species. The SIS
does cause an acute inflammatory response with IL-4 and IL-10 expressed at the graft site
and eventual tissue remodeling. Anti-SIS antibodies were also produced, which were
restricted to the IgG1 isotype [84].

This immune response suggests that SIS is

immunogenic, but Th2 restricted which suggests that the biomaterial will be accepted.
All biomaterials with time become surrounded by fibrous capsules, impeding
interaction of the biomaterial with the surrounding host tissue [85]. Long-term tissue
engineered constructs in the future will attempt to achieve reduced fibrous capsule
formation, making tissue engineering devices more biocompatible and able to incorporate
into host tissue efficiently.
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CHAPTER III
METHODOLOGY

Animals
Male C57BL/6 mice (six to eight weeks old) (Charles Rivers Laboratory,
Wilmington, MA) were allowed to acclimate to their new environment for one week prior
to receiving the antigen-polymer vehicle combinations. Mice were housed (six per cage
with two cages per treatment type) in the Whitehead Center animal facility at Emory
University. Animal care and treatment were in compliance with the Institution Animal
Care and Use Committee (IACUC) of Emory University according to protocol #0402000.
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Polymeric Carrier Vehicles Preparation and Characterization

Preparation of Polymeric Biomaterial Microparticles

Poly(lactic-co-glycolic acid) microparticles (PLGA MP), coated with polyvinyl
alcohol (PVA), were prepared using a double-emulsion solvent-extraction technique as
previously described [86].

Briefly, 200 mg of 50:50 PLGA (MW = 125,000;

Birmingham Polymers, Birmingham, AL) was dissolved in 1.8 ml dichloromethane
(DCM) (Sigma, St. Louis, MO) on a shaker overnight. An OVA (chicken egg, Grade VI,
Sigma) solution with concentration of 100 µg/µl was prepared in 1 % (w/v) PVA (87-89
% hydrolyzed, Avg MW=13,000-23,000; Sigma) in distilled/deionized water. Under
high-speed vortexing, 100 µl of the protein solution containing 10 or 0 mg (negative
control) OVA was mixed with the PLGA/DCM solution for 1 minute to form the first
emulsion.

This emulsion was then rapidly added to 50 ml of 1 % (w/v) PVA in

distilled/deionized water with stirring at 1400 rpm. After 5 minutes, 100 ml of 2 % (v/v)
isopropanol (Sigma) in distilled/deionized water was added.

The mixture was then

allowed to stir for an additional two hours during which time the DCM solvent
evaporated.

The microparticles were collected by centrifugation in preweighed

centrifuge tubes and then washed 5 times with 20 ml of sterile filtered distilled/deionized
water, collecting between washes by centrifugation and resuspension in 2% (v/v)
isopropanol solution. The MPs were then washed with 2 % (v/v) isopropanol twice and
sterile filtered distilled/deionized water three times. After suspending the MP in sterile
filtered distilled/deionized water they were placed under ultraviolet light in a laminar
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flow hood for an hour for sterilization before injection. A Limulus Amebocyte Lysate
endotoxin assay was preformed on the PLGA MPs, prepared as for injection, according
to the manufacturer’s instructions (BioWhittaker, Walkersville, MD). For 3.88 mg of
PLGA MPs without incorporated OVA (as used for injection) the effective endotoxin
content was 0.204 ± 0.2 EU/mL. For 8.05 mg of PLGA MPs with incorporated OVA (as
used for injection) the effective endotoxin content was 0.267 ± 0.1 EU/mL. For MPs
which would be injected into mice, air-drying was used instead of freeze-drying to
decrease the amount of MP clumping, whereas, for protein quantification, MPs were
freeze-dried. Once dry, the total batch of PLGA MPs weighed 80 mg. The mean size
and standard deviation of the PLGA MP were obtained using a Coulter Multisizer II
(Coulter Corporation, Miami, FL). For the PLGA MP, sizes ranged from 3 to 20 µm with
a mean diameter of 3.5 µm (Table 3-1).

Preparation of PLGA Scaffolds
The PLGA scaffolds (PLGA SC) were prepared by a salt-polymer casting
particulate-leaching technique with NaCl as the leachable component [87,88]. Sodium
chloride (Sigma) was sieved into particle size range using a sieve shaker (W.S. Tyler,
Mentor, OH) and 355-425 µm NaCl particles were used as the leachable component.
Briefly, 0.5 g of 50:50 PLGA (molecular weight of 125,000 Daltons) (Birmingham
Polymers) was dissolved in 5 ml DCM and the polymer was allowed to completely
dissolve. Solid OVA [600 or 0 mg (negative control)] was added and this PLGA-
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Table 3-1 Treatment Groups and Physical and Chemical Properties of
PLGA MP and PLGA SC

Treatment
Group

Mean size (MP) or
dimension (SC)

Percent
OVA
Incorporation

OVA/Polymer
Ratio

Polymer Mass
Delivered (mg)

OVA Mass
Delivered (mg)

PLGA MP
With OVA

3.5 µm diameter

20%

1.075 mg OVA/ mg
PLGA

3.88

4.17

PLGA SC
With OVA

0.7 cm diameter,
0.2 cm thick

36.50%

1.075 mg OVA/ mg
PLGA

3.88

4.17

PBS With OVA

NA

NA

NA

0

4.17

CFA With OVA

NA

NA

NA

0

4.17

PLGA MP
Without OVA

3.5 µm diameter

0

0

3.88

0

PLGA SC
Without OVA

0.7 cm diameter,
0.2 cm thick

0

0

3.88

0

PBS Without OVA

NA

NA

NA

0

0

CFA Without OVA

NA

NA

NA

0

0

NA=not applicable
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DCM/OVA mixture was homogenized at 1,000 rpm for 1 minute using a PowerGen 700
homogenizer (Fisher Scientific, Pittsburgh, PA). The PLGA-DCM/OVA mixture was
poured over the 4.5 g NaCl (355-425 nm) and pre-spread evenly in a 50 mm-diameter
Teflon Petri dish (VWR, Bristol, CT) in a 9:1 salt ratio.

The mixture was stirred

completely, covered, and placed in a fume hood overnight. The cover was removed the
next day and the dish left uncovered in the fume hood overnight to allow the DCM to
evaporate. The disks were then removed and placed in distilled/deionized water on a
shaker to dissolve out the leachable component (NaCl), while refreshing the water every
couple of hours. The disks were kept in water overnight and then allowed to air dry on
sterile pads in a laminar flow hood. Once dry, 0.7 cm diameter and 0.2 cm thick SC were
punched out of the disk using an ethanol-sterilized punch.

These SC (for either

implantation or protein quantification) were then freeze-dried overnight using a freeze
dryer (Labconco Incorporation, Kansas City, MO). The SCs were washed with 70 %
ethanol three times and then sterile-filtered distilled/deionized water three times for 10
minutes each on a shaker 24 hours before implantation. The SC were placed on sterile
pads under UV light in a laminar flow hood for 30 minutes per side before implantation.
For PLGA SC (0.7 cm diameter, 0.2 cm thick) as used for implantation, the effective
endotoxin contents were determined, using Limulus Amebocyte Lysate endotoxin assay
(BioWhittaker), to be 0.015 ± 0.07 EU/mL and 0.055 ± 0.2 EU/mL for PLGA SC without
and with incorporated OVA, respectively (Table 3-1).
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Polymer Quantification

Dry weights were determined for both PLGA SC and PLGA MP in pre-weighed
cryovials (VWR). The cryovials containing the polymers were flash frozen with liquid
nitrogen and then lyophilized overnight using a freeze dryer (Freeze Dry
System/Freezone 4.5, Labconco Incorporation, Kansas City, MO). Polymer weights were
determined in triplicate and the mean weight and standard deviation were determined.

Quantification of OVA Associated with PLGA SC and PLGA MP

In the same manner as described above, PLGA disks were fabricated and freezedried and then digested overnight, rotating at 37 °C in 44 ml 0.1 M NaOH with 5 % (w/v)
sodium dodecyl sulfate (SDS) (Sigma). The PLGA SC punched out of a whole disk were
treated the same manner, but with a digest volume of 4 ml 0.1 M NaOH with 5 % (w/v)
SDS. Two PLGA MP batches prepared simultaneously as described above were
combined and then split in two halves. Then one half was freeze dried (24 hours) and
digested for determination of OVA incorporation. The other half was used ‘fresh’ for
injection into mice, the next day. In this way, the actual amount of OVA associated with
the polymer was determined for the sample which was then injected into mice. This was
necessary because of variability in the amount of OVA incorporation (even with the same
starting amount of OVA) and given the constraint of keeping the OVA/polymer ratio the
same for both the microparticle and scaffold forms. Lower variability in the incorporation
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of OVA into scaffolds (as compared to microparticles) permitted such an approach.
Freeze-dried MPs (80 mg) were digested with 15 ml 0.1 M NaOH and 5% SDS overnight
at 37 °C. The total protein contents of the digested PLGA SC and PLGA MP were then
determined using the Bicinchoninic Acid (BCA) protein assay (Sigma) and used to
determine the amount of OVA incorporated into each form considering the initial amount
of OVA used during preparation. The BCA assay was preformed according to the
manufacturer’s instructions.

The samples were transferred to a cuvette and the

absorbance values were read at 562 nm using an Ultraspec 4300 UV/Visible
Spectrophotometer (Amersham Pharmacia, Cambridge, England). Samples were read in
triplicate, the concentrations determined using the standard curve and the means
calculated. Using these concentrations, the actual OVA amount incorporated into the
PLGA MPs or SC was determined. A constant ratio of amount of OVA to amount of
polymer (OVA/polymer ratio) was determined to be 1.075 mg OVA/mg PLGA for both
PLGA MP and PLGA SC (Table 3-1). The percent OVA incorporation was 36.50% for
PLGA SC and 20% for PLGA MP (Table 3-1).

Humoral Immune Response Assay

Co-Delivery of OVA with PLGA MP and PLGA SC in Mice
The treatment groups for mice are summarized in Table 3-1 with the amounts of
OVA and polymer delivered indicated for each. Prior to murine implantation, SC with
OVA and SC without OVA were placed under UV light in a laminar flow hood for 30
minutes per side and then added to sterile PBS. Scaffolds with incorporated OVA
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weighed approximately 8.75 mg, whereas PLGA SC without incorporated OVA weighed
4 mg. Prior to murine injection, MP were centrifuged (260 g, 5 minutes) and 8.05 mg of
air-dried PLGA MP with incorporated OVA or 3.88 mg PLGA MPs without OVA were
resuspended in 100 µl PBS. These weights corresponded to approximately 2.69 x 105
microparticles. For either the MP or SC form, the OVA/polymer ratio was the same at a
value of 1.075 mg OVA/mg polymer (determined and set as described above) and the
amount of polymer delivered for either form was constant at 3.88 mg and the amount of
OVA was constant at 4.17 mg (or 0 mg as a control).
C57BL/6 mice were given 100 µl dorsal subcutaneous injections of MP with or
without OVA. Other C57BL/6 mice were given a dorsal subcutaneous implantation of
SC with or without OVA under sterile surgical conditions. Immunization with PBS with
(4.17 mg OVA in 100 µl PBS) and without OVA served as negative controls and
immunization with (8.34 mg OVA in 50 µl PBS) or without OVA in PBS in a 1:1
dilution with Complete Freund’s Adjuvant (CFA) (Sigma) served as the positive controls.
Three weeks after primary immunization, all mice except for those in the CFA group,
received a booster of an OVA solution in PBS at the same concentration of 4.17 mg OVA
in 100 µl PBS into the injection/implantation site (no additional polymer was delivered).
For the positive control, CFA group, Incomplete Freund’s Adjuvant (IFA) (Sigma) was
injected instead of CFA to prevent a potential lethal dosage of CFA. Six mice were
placed in each treatment or control group.
Blood samples were collected from the retro-orbital plexus of the mice at 2, 3
(prior to boosting), 4, 8, 12, and 18 weeks after the primary immunization. The bleeds
clotted overnight at 4 °C and the serum was removed after centrifugation at 2300 g for 10
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minutes. Serum was stored at –20 °C until analysis for anti-OVA IgG antibodies and
isotypes (IgG1, IgG2a) by ELISA.

Quantification of Anti-OVA IgG and Isotypes by ELISA
The production of anti-OVA total IgG and the isotypes, IgG1 and IgG2a, in
mouse serum samples was measured by ELISA as previously described [83]. Standard
wells of Nunc ImmunoTM MaxiSorp ELISA plates (Life Technologies, Paisley, UK) were
coated with a 1 µg/ml solution of goat anti-mouse IgG, IgG1, or IgG2a (Southern
Biotechnology Associates, Birmingham, AL) in 0.1 M sodium bicarbonate (NaHCO3)
(pH 9.5). Sample wells of the plate were coated with a 40 µg/ml solution of OVA in 0.1
M NaHCO3. After incubation overnight at 4 °C, the plates were washed four times with
0.5 % (v/v) Tween 20 in PBS (PBT) and blocked with 5 % (w/v) condensed milk in PBT
(PBT-CM) for 2 hours at 37 °C. After washing the plates 4 times with PBT, triplicates of
each serum sample were diluted 1/100 or 1/1000 in PBT-CM and added to the sample
wells. The standard wells received mouse IgG, IgG1, or IgG2a standard diluted 1:1 in
PBT-CM starting at 1 µg/ml to a final concentration of 0.488 ng/ml, each concentration
in duplicate. The plates were allowed to incubate at 37 °C for 2 hours and then washed
four times with PBT and incubated at 37 °C for 2 more hours with a 1:1000 dilution of
alkaline phosphatase-conjugated goat anti-mouse IgG, IgG1, or IgG2a (Southern
Biotechnology Associates) in PBT-CM. After four washes with PBT, the reaction was
developed using a p-nitrophenyl phosphate solution prepared from tablets dissolved in 1
X diethanolamine buffer prepared from an alkaline phosphate substrate kit (Bio-Rad,
Hercules, CA). The reaction was stopped after 2 minutes by adding 0.4 M sodium
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hydroxide (NaOH) and the absorbance values were read at 405 nm using a
Powerwavex340 ELISA plate reader. The mean absorbance was calculated for each set
of triplicate serum samples and the mean concentration and standard deviation for each
sample was determined using a standard curve.
In Vitro OVA Protein Release Kinetics From PLGA SC and PLGA MP
The in vitro OVA protein release kinetics from PLGA SC and PLGA MP were
determined as previously described [86,89].

To keep the polymer amount constant

between the two different carriers, 40 mg PLGA MP (with and without OVA) were
suspended in 15 ml sterile PBS in a glass vial (VWR) and 40 mg PLGA SC (5 small SC,
with and without OVA) were suspended in 15 ml sterile PBS; each sample in duplicate
vials. These glass vials were then incubated at 37 °C on a rotating shaker. At various
time intervals, day 1, 4, 7, 14, 21, and 28, the vials were centrifuged and the supernatant
was removed and stored at –20 °C until total protein analysis using a BCA assay. Fresh
15 ml sterile PBS was added to each vial and the release experiment continued. In
preparation for the BCA protein assay, the protein samples were concentrated using
Centricon Plus-20 centrifugal filter devices (Millipore Incorporation, Billerica, MA), per
manufacturer’s instructions. Briefly, the 15 ml protein solution was added to the sample
filter cup and centrifuged for 10 minutes at 2,000 g. Flow collected in the filtrate
collection tube was discarded and the filter unit was inverted to sit on a retentate cup and
centrifuged at 1,000 g for 2 minutes to collect approximately 3 mL of concentrated OVA
solution in PBS. All concentrated samples were analyzed on the same day using the
BCA protein assay as described above and using the same standards.
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Data Analysis

Statistical analysis was preformed using an ANOVA general linear model with
Minitab software (Version 13, Minitab Inc., State College, PA). p-values of ≤ 0.05 were
denoted as significant.
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CHAPTER IV
RESULTS

Polymeric Carrier Vehicle Preparation and Characterization

Preparation of Polymeric Biomaterial Microparticles
The 50/50 PLGA MP were fabricated using a double-emulsion solvent-extraction
technique. The resulting microparticles had a size range from 3-20 µm and a mean
diameter of 3.5 µm (Table 3-1). Figure 4-1 shows a representative size distribution of the
50/50 PLGA MP.

Polymer and Protein Quantification

For both the PLGA MP and the PLGA SC the same OVA/polymer ratio of 1.075
mg OVA/mg polymer was delivered in vivo. To keep the same amount of polymer and
protein between the two types of polymeric carriers, MP were centrifuged and 8.05 mg of
air-dried PLGA MP with incorporated OVA or 3.88 mg PLGA MPs without OVA were
resuspended in 100 µl PBS. These weights corresponded to approximately 2.69 x 105
microparticles. The PLGA MP had a percent incorporation of OVA of approximately
20% while the PLGA SC had a percent incorporation of OVA of approximately 36.50%.

45

Each PLGA SC with incorporated OVA weighed approximately 8.75 mg (PLGA SC
without OVA weighed 4 mg) and was 0.7 cm in diameter and 0.2 cm thick (Table 3-1).
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Figure 4-1 Representative size distribution of 50/50 PLGA MP
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In Vitro Protein Release Kinetics

In vitro release kinetics of OVA into PBS from OVA-loaded PLGA MP and
PLGA SC were evaluated over 28 days. For both carriers, 40 mg of polymer was
incubated in PBS to keep the polymer amount consistent and each carrier incubated
contained the same OVA/polymer ratio (1.075 mg OVA/mg polymer). The PLGA MPs
and PLGA SCs remained intact over the 28 day protein release experiment although there
was some loss of mechanical properties for the PLGA SC over this time period. The
overall release rates of OVA from the polymer carriers were similar for both PLGA SC
and PLGA MP (Figure 4-2). The release rate was determined by the ratio of amount of
OVA released at each time point to the amount of polymer incubated over the 28 days of
the experiment. Each data point indicates the amount of OVA released per 40 mg
polymer during the period concerned between consecutive time points (Figure 4-2, Mean
± S.D.; n=2 independent samples; m= 3 determinations).
The release rates of OVA from PLGA SC and PLGA MP at day one were the
same with a release of 6.44 mg OVA/24 hours. Thereafter, the release rates for the rest
of the first week were similar at 2 mg/day for both carriers. For the remainder of the
experiment, the release rates were also similar at 1 mg/day. The total amount of OVA
released from the PLGA MP over the 28 days of the experiment was 43 mg (100%).
Forty milligrams (93%) of OVA was released from the PLGA SC over the 28 days of the
experiment (Table 4-1).
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Figure 4-2 Protein Release Kinetics from PLGA SC and PLGA MP over 28
days
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Table 4-1 Cumulative Release of OVA from PLGA SC and PLGA MP
during in vitro Protein Release Kinetics

Polymeric Carriers

OVA to Polymer Ratio

Amount of OVA lost
over 28 days total

% OVA lost

PLGA SC with OVA

1.075 mg OVA/mg
Polymer

40 mg

93%

PLGA MP with OVA

1.075 mg OVA/mg
Polymer

43 mg

100%

50

Humoral Immune Response to Antigen Co-delivered with Polymeric Vehicles

The production of anti-OVA total IgG and the isotypes, IgG1 and IgG2a, in mouse
serum samples was measured by ELISAs to assess the humoral immune response to
OVA released from PLGA MP and PLGA SC as compared to appropriate controls.
Polymeric scaffolds and polymeric microparticles delivered without OVA did not result
in anti-OVA IgG antibody production being statistically different from the antibody
levels observed for the negative control, PBS without OVA (Figure 4-3, Mean ± S.D.;
n=4-6 mice; note the ordinate is in log scale).

At a few time points CFA without OVA

did produce moderate levels of anti-OVA IgG, in contrast with the PLGA SC and PLGA
MP (Figure 4-3). Ovalbumin delivered with PBS (negative control) into C57BL6 mice
resulted in low baseline levels of anti-OVA IgG antibody production while OVA codelivered with CFA (positive control) elicited an intense humoral immune response
characterized by high levels of anti-OVA IgG (Figure 4-4, Mean ± S.D.; n=4-6 mice;
note the ordinate is in log scale. * represents significant different from PBS, + represents
significant difference from CFA). Controlled release of OVA from PLGA SC resulted in
high, sustained levels of OVA-specific IgG for the 18 week duration of the experiment
(Figure 4-4). For this polymeric vehicle, these levels of OVA-specific IgG were not
statistically different from the positive control of OVA delivered in CFA, while being
statistically different from the low baseline levels observed for the negative control of
OVA delivered in PBS alone. In contrast, OVA released from PLGA MPs induced
transient, moderate levels of anti-OVA IgG which peaked at 3 weeks and tapered off
thereafter to be at background levels by 12 weeks. These levels of anti-OVA IgG were
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statistically different from those observed for OVA delivered in PBS at 3 and 8 weeks
(boost given at 3 weeks) but at all time points, the levels were statistically different from
those of the positive control of OVA delivered in CFA.
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Figure 4-3
PLGA SC and PLGA MP without OVA do not produce IgG
levels significantly different than that of PBS

53

[A nti-O VA IgG] (ng/m l)

10000000
1000000
100000

*

10000
1000

* **
+ +

**

**

*
+

100

*

*

*
*

*+

10
1

+

+ +
2

+
3

4

+ +

+
8

12

+
18

Time (weeks)
PBS with OVA

CFA with OVA

SC with OVA

MP with OVA

Figure 4-4 Anti-OVA IgG (ng/ml) production for PLGA SC and PLGA MP
with incorporated OVA.
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To assess the predominance of a Th1 versus a Th2 helper T cell response in the
humoral immune response to OVA delivered with the two forms of polymeric carrier
vehicles, the IgG isotypes were determined. The IgG2a isotype is characteristic of a Th1
response, whereas the IgG1 isotype is characteristic of a Th2 response. Again, the
polymeric carriers without OVA did not produce IgG1 (Figure 4-5, Mean ± S.D.; n=4-6
mice; note the ordinate is in log scale) or IgG2a (Figure 4-6, Mean ± S.D.; n=4-6 mice;
note the ordinate is in log scale) antibody levels significantly different from that of PBS.
The generation of anti-OVA IgG1 antibodies in response to OVA co-delivered with each
polymeric vehicle and controls (Figure 4-7, Mean ± S.D.; n=4-6 mice; note the ordinate
is in log scale. * represents significant different from PBS, + represents significant
difference from CFA) showed similar trends to those observed for total anti-OVA IgG
(Figure 4-4). The levels of OVA-specific IgG1 for OVA released from PLGA SC were
not statistically different from the levels observed for the positive control of OVA
delivered with CFA (Figure 4-7). Furthermore, the levels of OVA-specific IgG1 for
OVA released from PLGA MP were significantly different from PBS only just after the 3
week boost at 4 weeks (Figure 4-7). There were some differences in the times at which
the levels of IgG or IgG1 antibody levels peaked for the responses to OVA delivered with
PLGA MPs. Specifically, the anti-OVA IgG levels peaked earlier at week 3 while the
anti-OVA IgG1 levels lagged with the peak at a later time point, week 4 (Figure 4-4 and
Figure 4-7). Significant levels of anti-OVA IgG2a were observed for OVA released from
PLGA SC at the time points between 4 and 12 weeks or delivered with the positive
control, CFA, at the time points between 3 and 12 weeks, as compared to the low
baseline levels observed for OVA delivered with PBS alone (Figure 4-8, Mean ± S.D.;
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n=4-6 mice; note the ordinate is in log scale. * represents significant different from PBS,
+ represents significant difference from CFA). Controlled release of OVA from PLGA
MPs did not induce anti-OVA IgG2a at any time point (Figure 4-8). Anti-OVA IgG2a
levels were not detected at the 2 and 18 week time points for any of the carriers tested.
The IgG1 levels (Figure 4-7) were slightly higher for CFA and PLGA SC than the IgG2a
levels (Figure 4-8). These results suggest the predominance of IgG1 isotype, although
for CFA and PLGA SC carriers, anti-OVA IgG2a isotype levels were also significant.
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Figure 4-5 PLGA SC and PLGA MP without OVA do not produce IgG1
levels significantly different than that of PBS
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Figure 4-6 PLGA SC and PLGA MP without OVA do not produce IgG2a
levels significantly different than that of PBS
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Figure 4-7 Anti-OVA IgG1 (ng/ml) production for PLGA SC and PLGA MP
with incorporated OVA
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60

CHAPTER V
DISCUSSION

The biomaterial component of a tissue engineered device acts as an adjuvant in
mediating an immune response to co-delivered antigen. Polymeric vehicles without
incorporated antigen in the form of scaffold or microparticles did not induce an immune
response, indicating that the biomaterial alone does not induce an antigen-specific
antibody response. In addition, the biomaterial chemistry does not seem to have a
significant influence on the immune response, at least with the limited materials tested in
a previous experiment [83]. In this research, the extent of the enhancement of the
antigen-specific antibody response towards incorporated OVA depended on the form of
the polymeric vehicle carrier, either as a scaffold or a microparticle.
The humoral immune response towards OVA controlled released from PLGA SC
was sustained for the duration of the experiment at a high level, and not significantly
different than that of OVA delivered with the positive control of CFA. When the same
amount of polymer and antigen was delivered and released at the same rate from PLGA
MPs, the level of the humoral immune response was transient and at a moderate level as
compared to SC and CFA. These results indicate that PLGA in the form of a SC acted as
a stronger adjuvant in the enhancement of the immune response toward incorporated
antigen than PLGA in the form of MPs. It should be noted that PLGA MPs did produce
some moderate adjuvanticity.
The immune response induced by the PLGA MP and PLGA SC with incorporated
OVA was dominated by a Th2-type immune response as indicated by the production of
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IgG1 antigen-specific antibodies. This suggests that adjuvanticity of the biomaterial
results in the activation of CD4+ T cells and the proliferation of isotype switching of B
cells. However, for CFA and PLGA SC carriers, anti-OVA IgG2a isotype levels were
also significant, potentially indicating both a Th2 and Th1 response. In previous research
it was discovered that the immune response elicited by both MP and SC carriers with
adsorbed OVA versus incorporated OVA were dominated by a Th2-type immune
response as indicated by the production of OVA-specific IgG1 [83]. However, it has also
been shown that PLGA MPs with adsorbed OVA were able to elicit a delayed type
hypersensitivity (DTH) reaction in mice, which is a Th1-dependent response [67]. The
mechanism by which PLGA contributes to the activation of T cells is through its adjuvant
effect with the maturation of DCs upon biomaterial contact into efficient antigen
presenting cells in vivo for the presentation of co-delivered OVA to prime T lymphocytes
[67]. Other studies have confirmed an adjuvant effect of biomaterials to polarize Th
response with varying results. Allergen-loaded PLGA MP can stimulated a Th2 response
[90], Brucella ovis bacteria antigens encapsulated in poly-epsiloncaprolactone (PEC) MP
further enhanced the already Th1 response to the unencapsulated antigen whereas PLGA
MP encapsulation induced a Th2 response [91], and OVA encapsulated in PLGA MPs
elicited a Th1 response [92]. The disparity between these results may be due to the
differences in the type and form of the antigen used (peptide vs protein vs allergen), the
mode of antigen co-delivery (encapsulated vs adsorbed), and the method of determining
the nature of the Th response (serum IgG isotypes levels vs cytokines secreted by in vivo
primed lymphocytes following in vitro second challenge with antigen vs DTH response).
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To facilitate a distinction of the enhancement of the humoral immune response
based on the polymeric vehicle form, OVA was incorporated into PLGA in the form of
SCs or MPs for controlled release at the same rate with a constant amount of polymer and
antigen delivered at a constant OVA/polymer ratio for these two carrier forms. In this
way, the key difference between the two carrier vehicle forms was the means by which
the polymeric vehicle was introduced into the host. The scaffolds, because of their size,
required invasive surgical implantation, with associated tissue damage whereas the
microparticles were minimally invasively delivered by injection.
In a previous experiment [83], polymeric carriers of both microparticle and
scaffold form were soaked in OVA concentrations of 1 mg OVA/ 1 ml PBS. The OVA
adsorbed to the surface of the polymeric carriers and its release was not controlled. In
this current study, a greater OVA concentration was used with 1.075 mg OVA/mg
polymer and this OVA was incorporated into the microparticles via a double emulsion
technique with a PVA coat and into scaffolds via homogenizing. Keeping the same
amount of OVA:polymer delivered constant as well as the amounts of OVA and polymer
delivered allowed for determinations of the differences in the immune response between
the two forms of carriers.
In the innate response, DCs may be activated in the absence of foreign pathogens
through endogenous ‘danger signals’ from necrotic or stressed cells, or released from
damaged or inflamed tissue. In the context of biomaterials and tissue engineering,
‘danger signals’ could result from surgical implantation of a biomaterial or construct or
other stress or necrosis of cells or inflammation caused by the presence of a foreign
material. The TLRs recognize endogenous ligands which are relevant in the innate
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response to biomaterials and have a significant role in the maturation of DCs. Therefore,
maturation of DCs in the context of implanted biomaterials would support their
maturation to become efficient antigen presenting cells with an enhancement of the
immune response towards associated antigen.
The implantation of the PLGA SCs undoubtedly caused tissue damage with
associated necrosis and inflammation.

In contrast, injection of PLGA MPs was a

minimally invasive means of delivery. In the innate response, DCs can be activated in
the absence of foreign pathogens through endogenous ‘danger signals’ from necrotic or
stressed cells, or released from damage or inflamed tissue [68, 69, 70]. These molecular
danger signal are cell and tissue derived endogenous ligands such as heat shock proteins,
small hyaluronan fragments, and heparin sulfate proteoglycan [71], or even proteins
which adsorb to biomaterials such as fibrinogen [73], fibronectin [74] which bind to
TLRs on DCs mediating their maturation to be efficient at stimulating T cells for an
adaptive immune response. The danger hypothesis states that an immune response only
occurs if the antigen is presented along with ‘danger signals’ from stressed or necrotic
cells or with associated tissue damage [70]. In the context of biomaterials and tissue
engineering, ‘danger signals’ could result from surgical implantation of a biomaterial or
construct or other stress or necrosis of cells or inflammation caused by the presence of a
foreign material. The TLRs recognize endogenous ligands which are relevant in the
innate response to biomaterials and have a significant role in the maturation of DCs.
Therefore, maturation of DCs in the context of implanted biomaterials would support
their maturation to become efficient antigen presenting cells with an enhancement of the
immune response towards associated antigen, with the biomaterial acting as an adjuvant.
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The results presented herein indicate the significant consideration of delivering a
tissue engineered construct as non-invasively as possible to minimize any potential
immune responses. Furthermore, there is the potential to ‘hide’ an immunological tissue
engineered construct if it is delivered as non-invasively as possible to avoid the
generation of ‘danger signals’. Experimental evaluation of the implantation environment
for the molecular basis for biomaterial and tissue engineered construct associated ‘danger
signals’ remains to be elucidated.
To further strengthen the biomaterial implantation associated ‘danger signals’
explanation for the results herein, other possible explanations and contributions can be
ruled out. The in vitro protein release experiment demonstrated similar OVA release
kinetics for both the PLGA SC and PLGA MP over the 28-day duration of this study.
This was evident even though the method used to prepare the PLGA MPs, coating with
PVA, has been shown to result in an initial burst of release and a faster release rate of
protein due to its hydrophilic nature as compared to uncoated PLGA MPs with no effect
on the bioactivity of the released protein [86].

A possible difficulty with the

incorporation of OVA into PLGA SCs was the salt leaching step during which protein
may be released.

However, this was taken into account by determining protein

incorporation into the PLGA SCs after the salt leaching step and keeping the
OVA/polymer ratio constant for both carrier vehicles. Therefore, the stronger humoral
immune response towards OVA released from PLGA SCs as compared to PLGA MPs
was not due to a higher rate of OVA release from the PLGA SC carrier. While there was
a change in the mechanical properties of the PLGA SC over the 28 days of the
experiment, becoming slightly more brittle, consistent with the observations of others
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[93,94], this did not lead to changes in protein release kinetics in vitro. Presumably, on a
smaller scale, changes in the mechanical properties of the PLGA MPs were also
occurring, but were not as readily observable. Furthermore, these changes in mechanical
properties are likely to also occur in vivo as the polymer degrades, but the PLGA MPs
and PLGA SCs being of the same polymer, do not likely explain the differences in the
humoral immune response to OVA released from these two carrier forms.
The hydrophilic nature of the PVA coating on the MP will render it more
biocompatible than that of PLGA presumably due to lower protein adsorption. However,
PVA is also highly water soluble and has been found to dissolve after 24 hours in water
and is thought to dissolve at a similar rate in vivo [83,95]. It is possible that this PVA
coat minimized the PLGA adjuvant effect associated with PVA-coated PLGA MP than
that associated with the PLGA SC. Possible dissolution of the PVA coat may have
contributed to a more significant immune response at later time points for the PLGA MP.
However, the MP did induce only a transient response which was moderate and
significantly less than that of PLGA SC and CFA, tapering off during the final weeks of
the experiment. After the expected time required for the PVA coat to dissolve, the PLGA
MP still did not produce significantly high levels of anti-OVA IgG, IgG1, or IgG2a.
Another difference between the two polymer carriers is their endotoxin levels.
The OVA-loaded PLGA MP had an endotoxin level of 0.267 ± 0.1 EU/mL, much higher
than that of the OVA-loaded PLGA SC at 0.055 ± 0.2 EU/mL. The PLGA SC and PLGA
MP had the same ratio of OVA:polymer. Therefore this difference may be due to the
higher surface area of the spherical PLGA MP, which is available for endotoxin exposure
for detection. It is possible that the PVA coat on the PLGA MP, which is exposed to the
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environment, contains additional endotoxin levels, which therefore increases the
endotoxin levels of the PVA-coated PLGA MP as compared to the PLGA SC.
The protein release kinetics experiment demonstrated similar release kinetics for
the PLGA SC and PLGA MP in vitro. There is a concern of how these results will
translate to the in vivo situation of antigen delivery from PLGA MP and PLGA SC as
described herein for the resultant humoral immune response and the adjuvant effect of the
biomaterials. Presumably, host proteins will adsorb to the PLGA MPs and PLGA SCs in
vivo which may alter the protein release profile from that measured in vitro. If the effect
of adsorbed host proteins was the same for both PLGA MPs and PLGA SCs, then the
release profiles would be altered to the same extent for both carrier vehicles. Performing
the in vitro protein release experiments in PBS containing serum may more accurately
approximate the in vivo situation. The increased protein concentration in serum changes
the dynamics of the experiment and may actually slow the release of OVA from
polymeric carriers. In vivo experiments for protein release kinetics are limited. One of
the complications is that proteins released from polymeric carriers, such as growth
factors, may be cleared due to filtration, bind to receptors, or be enzymatically degraded.
This may affect the biological efficacy of using such a protein-release system [96]. One
possible complication with the in vitro release kinetics experiment presented herein is the
compatibility of the digest reagents with the BCA assay. Some detergents may interfere
with absorbance readings, resulting in incorrect analysis. This was avoided by using 5 %
SDS as suggested by the manufacturer (Sigma) to be a compatible concentration of the
detergent.
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Another consideration which may have affected the enhancement of the immune
response depending on the form of the polymeric carrier form is the actual surface area
available for interaction with the host and for release of OVA. For PLGA SC (as a nonporous cylinder) the surface area was calculated to be 1.21cm2. The total surface area for
the PLGA MPs (2.69 x 105 microparticles of 3.5 µm diameter) which were injected
(based on non-porous spheres) was calculated to be 1,035.11cm2. Therefore, if any effect
of surface area of the polymeric carriers was important, if did not translate into a higher
release rate of incorporated antigen nor a greater adjuvant effect on the humoral immune
response. In fact, the results were quite to the contrary.
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CHAPTER VI
CONCLUSIONS AND FUTURE RECOMMENDATIONS

The higher level of humoral immune response observed for OVA delivered with
PLGA SC implicates implantation associated 'danger signals' due to tissue damage in the
enhancement of this immune response. Evaluation of the implantation environment for
the molecular basis for biomaterial and tissue engineered construct associated ‘danger
signals’ are necessary to confirm this hypothesis. This might be done either by western
blots of exudates for known danger signals or treatment of dendritic cells in vitro with
biomaterial implant site exudates to assess the extent of DC maturation. For example,
PLGA MP with incorporated OVA may be delivered into a surgical cut, much like that of
the PLGA SC with implantation, to determine if ‘danger signals’ released from the
surgical cut are indeed enhancing the immune response towards PLGA SC.
An issue to consider with the in vitro protein release kinetics is how it will
translate to in vivo experiments where there are more dynamics, such as serum proteins
and a constantly changing environment. It would also be best to find what is happening
between time 0 and 24 hours during the protein release kinetics and consider how this
would translate to release kinetics in vivo.
The humoral immune response towards PLGA SC and PLGA MP was primarily
Th2 helper T cell-dependent as exemplified by the predominance of IgG1 isotype,
although for CFA and PLGA SC carriers, anti-OVA IgG2a isotype levels were also
significant, potentially indicating both a Th2 and Th1 response respectively. The results
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presented herein indicate the significant consideration of delivering a tissue engineered
construct as non-invasively as possible to minimize any potential immune responses.

70

REFERENCES

1- UNOS: United Network for Organ Sharing, http://www.unos.org, accessed
6/13/04.
2- Fodor, W.L., Tissue engineering and cell based therapies, from the bench to
the clinic: The potential to replace, repair and regenerate, Reprod Biol
Endocrinol. 1 (2003) 102.
3- Jenkins, D.D., Yang, G.P., Lorenz, H.P., Longaker, M.T., Sylvester, K.G.,
Tissue engineering and regenerative medicine, Clin Plast Surg. 30 (2003) 5818.
4- Cortesini, R., Suciu-Foca N., The concept of “partial” clinical tolerance,
Transpl Immunol. 13 (2004) 101-4.
5- Xiao, Y.F., Min, J.Y., Morgan, J.P., Immunosuppression and
xenotransplantation of cells for cardiac repair, Ann Thorac Surg. 77 (2004)
737-44.
6- Willams, D., Revisiting the definition of biocompatibility, Med Device
Technol. 14 (2003) 10-3.
7- Park, J. B., Bronzino, J.D., Biomaterials: Principles and Applications, Boca
Raton, CRC Press LLC (2003).
8- Laurencin, C.T., Katti, D.S., Repair and Restore with Tissue Engineering,
IEEE Engineering In Medicine And Biology Magazine. (2003) 16-17.
9- Organogenesis and tissue engineering, Transplant Immunology. 12 (2004)
191-192.
10- Berry, C.C., Campbell, G., Spadiccino, A., Robertson, M., Curtis, A.S., The
influence of microscale topography on fibroblast attachment and motility,
Biomaterials. 25 (2004) 5781-8.
11- Subramanian, A., Lin, H.Y., Vu, D., Larsen, G., Synthesis and evaluation of
scaffolds prepared from chitosan fibers for potential use in cartilage tissue
engineering, Biomed Sci Instrum. 40 (2004) 117-22.
12- Mao, J., Zhao, L., De Yao, K., Shang, Q., Yang, G., Cao, Y., Study of novel
chitosan-gelatin artificial skin in vitro, J Biomed Mater Res. 64A (2003) 3018.

71

13- Subramanian, A., Lin, H.Y., Vu, D., Larsen, G., Synthesis and evaluation of
scaffolds prepared from chitosan fibers for potential use in cartilage tissue
engineering, Biomed Sci Instrum. 40 (2004) 117-22.
14- Gentleman, E., Lay, A.N., Dickerson, D.A., Nauman, E.A., Livesay, G.A.,
Dee, K.C., Mechanical characterization of collagen fibers and scaffolds for
tissue engineering, Biomaterials. 24 (2003) 3805-13.
15- Saray, A., Porcine dermal collagen (Permacol) for facial contour
augmentation: preliminary report, Aesthetic Plast Surg. 27 (2003) 368-75.
16- Keuren, J. F., Wielders, S.J.,Driessen, A., Verhoeven, M., Hendriks, M.,
Lindhout, T., Covalently-bound heparin makes collagen thromboresistant,
Arterioscler Thromb Vasc Biol. 24 (2004) 613-7.
17- Feng, Z., Yamato, M., Akutsu, T., Nakamura, T., Okano, T., Umezu, M.,
Investigation on the mechanical properties of contracted collagen gels as a
scaffold for tissue engineering, Artif Organs. 27 (2003) 84-91.
18- Chen, G., Sato, T., Ushida, T., Ochiai, N., Tateishi, T., Tissue engineering of
cartilage using a hybrid scaffold of synthetic polymer and collagen, Tissue
Engineering. 10 (2004) 232-30.
19- Doillon, C. J., Dunn, M.G., Berg, R.A., Silver, F.H., Collagen deposition
during wound repair, Scan Electron Microsc. 2 (1985) 897-903.
20- Dattilo, J.B., Dattilo, M.P., Yager, D.R., Makhoul, R.G.,
Hypercholesterolemia alters the gene expression of novel components of the
extracellular matrix in experimental vein grafts, Ann Vasc Surg. 12 (1998)
168-73.
21- Iwasaki, N., Yamane, S.T., Majima, T., Kasahara, Y., Minami, A., Harada,
K., Nonaka, S., Maekawa, N., Tamura, H., Tokura, S., Shiono, M., Monde,
K., Nishimura, S., Feasibility of polysaccharide hybrid materials for scaffolds
in cartilage tissue engineering: evaluation of chondrocyte adhesion to polyion
complex fibers prepared from alginate and chitosan, Biomacromolecules. 5
(2004) 828-33.
22- Hu, Y., Zhang, C., Zhang, S., Xiong, Z., Xu, J., Development of a porous
poly(L-lactic acid)/hydroxyapatite/collagen scaffold as a BMP delivery
system and its use in healing canine segmental bone defect, J Biomed Mater
Res. 67A (2003) 591-8.
23- Ahmed, Z., Underwood, S., Brown, R.A., Nerve guide material made from
fibronectin: assessment of in vitro properties, Tissue Engineering. 9 (2003)
219-31.

72

24- Andriano, K. P., Tabata, Y., Ikada, Y., Heller, J., In vitro and in vivo
comparison of bulk and surface hydrolysis in absorbable polymer scaffolds for
tissue engineering, J Biomed Mater Res. 48 (1999) 602-612.
25- Valimaa, T., Laaksovirta, S., Degradation behaviour of self-reinforced
80L/20G PLGA devices in vitro, Biomaterials. 25 (2004) 1225-32.
26- Hutmacher, D. W., Scaffolds in tissue engineering bone and cartilage,
Biomaterials. 21 (2000) 2529-2543.
27- Hasirci, V., Lewandrowski, K., Gresser, J.D., Wise, D.L., Trantolo, D.J.,
Versatility of biodegradable biopolymers, J Biotech. 86 (2001) 135-150.
28- Langer, R., Tirrell, D.A., Designing materials for biology and medicine,
Nature. 428 (2004) 487-492.
29- Gunatillake, P.A., Adhikari, R., Biodegradable synthetic polymers for tissue
engineering, European Cells and Materials. 5 (2003) 1-16.
30- Ito, T., Nakamura, T., Takagi, T., Toba, T., Hagiwara, A., Yamagishi, H.,
Shimizu, Y., Biodegradation of polyglycolic acid-collagen composite tubes
for nerve guide in the peritoneal cavity, ASAIO. 49 (2003) 417-21.
31- Chen, G., Sato, T., Ushida, T., Ochiai, N., Tateishi, T., Tissue engineering of
cartilage using a hybrid scaffold of synthetic polymer and collagen, Tissue
Engineering. 10 (2004) 323-30.
32- Newman, K.D., McBurney, M.W., Poly(D,L-lactic-co-glycolic acid)
microspheres as biodegradable microcarriers for pluripotent stem cells,
Biomaterials. 25 (2004) 5763–5771.
33- Webb, A. R., Yang, J., Ameer, G.A., Biodegradable polyester elastomers in
tissue engineering, Expert Opin Biol Ther. 4 (2004) 801-12.
34- Shen, M., Martinson, L., Wagner, M.S., Castner, D.G., Ratner, B.D., Horbett,
T.A., PEO-like plasma polymerized tetraglyme surface interactions with
leukocytes and proteins: in vitro and in vivo studies, J Biomater Sci Polymer
Edn. 13 (2002) 367-390.
35- Brodbeck, W.G., Patel, J., Voskerician, G., Christenson, E., Shive, M.S.,
Nakayama, Y., Matsuda, T., Ziats, N.P., Anderson, J.M., Biomaterial adherent
macrophage apoptosis is increased by hydrophilic and anionic substrates in
vivo, PNAS. 99 (2002) 10287-10292.
36- Williams, D., Seasonal Fantasies in Scaffolds, Med Device Technol. (2004).

73

37- Anderson, J.M., Inflammation, wound healing, and the foreign body response
in: Biomaterials Science: An Introduction to Materials in Medicine, Ratner,
B. D., Hoffman, A.S., Schoen, F.J., Lemons, J.E., (Eds.), Academic Press, San
Diego, CA. (1996) 165-173.
38- Gibbins, J. M., Platelet adhesion signaling and the regulation of thrombus
formation, J Cell Sci. 117 (2004) 3415-25.
39- Geng, J. G., Chen, M., Chou, K.C., P-selectin cell adhesion molecule in
inflammation, thrombosis, cancer growth and metastasis, Curr Med Chem. 11
(2004) 2153-60.
40- Uutela, M., Wirzenius, M., Paavonen, K., Rajantie, I., He, Y., Karpanen, T.,
Lohela, M., Wiig, H., Salven, P., Pajusola, K., Eriksson, U., Alitalo, K.,
PDGF-D induces macrophage recruitment, increased interstitial pressure and
blood vessel maturation during angiogenesis, Blood. (2004) in press.
41- Kadono, T., Venturi, G.M., Steeber, D.A., Tedder, T.F., Leukocyte rolling
velocities and migration are optimized by cooperative L-selectin and
intercellular adhesion molecule-1 functions, J Immunol. 169 (2002) 4542-50.
42- Yan, S. R., Sapru, K., Issekutz, A.C., The CD11/CD18 (beta) integrins
modulate neutrophil caspase activation and survival following TNF-alpha or
endotoxin induced transendothelial migration, Immunol Cell Biol. 82 (2004)
435-46.
43- Wolff, R. A., Tomas, J.J., Hullett, D.A., Stark, V.E., van Rooijen, N., Hoch,
J.R., Macrophage depletion reduces monocyte chemotactic protein-1 and
transforming growth factor-beta1 in healing rat vein grafts, J Vasc Surg. 39
(2004) 878-88.
44- Nilsson-Ekdahl, K., Nilsson, B., Phosphorylation of C3 by a casein kinase
released from activated human platelets increases opsonization of immune
complexes and binding to complement receptor type 1, Eur J Immunol. 31
(2001) 1047-54.
45- Hart, S. P., Smith, J.R., Dransfield, I., Phagocytosis of opsonized apoptotic
cells: roles for 'old-fashioned' receptors for antibody and complement, Clin
Exp Immunol. 135 (2004) 181-5.
46- Bonfield, T.L., Colton, E., Anderson, J.M., Protein adsorption of biomedical
polymers influences activated monocytes to produce fibroblast stimulating
factors, J Biomed Mater Res. 26 (1992) 457-65.

74

47- Anderson, J.M., Ziats, N.P., Azeez, A., Brunstedt, MR., Stack, S., Bonfield,
T.L., Protein adsorption and macrophage activation on polydimethylsiloxane
and silicone rubber, J Biomater Sci Polym Ed. 7 (1995) 159-69.
48- Diegelmann, R.F., Evans, MC., Wound healing: and overview of acute,
fibrotic and delayed healing, Front Biosci. 9 (2004) 283-9.
49- Grotendorst, G.R., Rahmanie, H., Duncan, M.R., Combinatorial signaling
pathways determine fibroblast proliferation and myofibroblast differentiation,
FASEB J. 18 (2004) 469-79.
50- Yoshida M, Babensee JE. Poly(lactic-co-glycolic acid) moderately enhances
maturation of human monocyte-derived dendritic cells. J Biomed Mater Res
(in press).
51- Sharkawy, A.A., Klitzman, B., Truskey, G.A., Reichert, W.M., Engineering
the tissue which encapsulates subcutaneous implants: Diffusion properties, J
Biomed Mater Res. 37 (1997) 401-12.
52- Sanders, J.E., Rochefort, J.R., Fibrous encapsulation of single polymer
microfibers depends on their vertical dimension in subcutaneous tissue, J
Biomed Mater Res. 67A (2003) 1181-7.
53- Jones, J.A., Dadsetan, M., Collier, T.O., Ebert, M., Stokes, K.S., Ward, R.S.,
Hiltner, P.A., Anderson, J.M., Macrophage behavior on surface-modified
polyurethanes, J Biomater Sci Polym Ed. 15 (2004) 567-84.
54- McNally, A.K., Anderson, J.M., Foreign body-type multinucleated giant cell
formation is potently induced by alpha-tocopherol and prevented by the
diacylglycerol kinase inhibitor R59022, Am J Pathol. 163 (2003) 1147-56.
55- Collier, T.O., Anderson, J.M., Brodbeck, W.G., Barber, T., Healy, K.E.,
Inhibition of macrophage development and foreign body giant cell formation
by hydrophilic interpenetrating polymer networks, J Biomed Mater Res. 69A
(2004) 644-50.
56- Paivarinta, U., Bostman, O., Majola, A., Toivonen, T., Tormala, P.,
Rokkanen, P., Intraosseous cellular response to biodegradable fracture
fixation screws made of polyglycolide or polylactide, Arch Orthop Trauma
Surg, 112 (1993) 71-4.
57- Ronneberger, B., Kao, W.J., Anderson, J.M., Kissel, T., In vivo
biocompatibility study of ABA triblock copolymers consisting of poly(Llactic-co-glycolic acid) A blocks attached to central poly(oxyethylene) B
blocks, J Biomed Mater Res. 30 (1996) 31-40.

75

58- Janeway, C.A., Travers, P., Walport, M., Capra, J.D., Immunobiology: The
immune system in health and disease, Elsevier Science London Middlesex
House, London, UK (1999).
59- Park, J., Barbul, A., Understanding the role of immune regulation in wound
healing, The American Journal of Surgery. 187 (2004) 11S-16S.
60- Heath, W.R., Carbone, F.R., Cross-presentation in viral immunity and
self-tolerance, Nature Rev. Immunol. 1 (2001) 126-135.
61- Van Kooyk, Y., Geijtenbeek, T.B., DC-SIGN: escape mechanism for
pathogens, Nat Rev Immunol. 3 (2003) 697-709.
62- Medzhitov, R., Toll-like receptors and innate immunity, Nat Rev Immunol. 1
(2001) 135-45.
63- Stockwin, L.H., McGonagile, D., Martin, I.G., Blair, G.E., Dendritic cells:
Immunological sentinels with a central role in health and disease,
Immunology and Cell Biology. 78 (2000) 91-102.
64- Gordon, S., Alternative activation of macrophages, Nat Rev Immunl. 3
(2003) 23-35.
65- Catellano, G., Woltman, A.M., Schena, F.P., Roos, A., Daha, M.R., Van
Kooten, C., Dendritic cells and complement: at the cross road of innate and
adaptive immunity, Mole Immunol. 41 (2004) 133-140.
66- Tough, D., Type I interferon as a link between innate and adaptive immunity
through dendritic cell stimulation, Leuk Lymphoma. 45 (2004) 257-64.
67- Yoshida, M., Babensee J., Poly(lactic-co-glycolic acid) moderately enhances
maturation of human monocyte-derived dendritic cells, J Biomed Mat Res. in
press.
68- Gallucci, S., Matzinger, P., Danger signals: SOS to the immune system,
Current Opinion in Immunol. 13 (2000) 114-119.
69- Matzinger, P., Tolerance, danger, and the extended family, Annu. Rev.
Immunol. 12 (1994) 991-1045.
70- Gallucci, S., Lolkema, M., Matzinger, P., Natural adjuvants: endogenous
activators of dendritic cells, Nature Medicine. 5 (1999) 1249-1255.
71- Beg, A. A., Endogenous ligands of toll-like receptors: implications for
regulating inflammatory and immune responses, Trends in Immunology. 23
(2002) 509-512.

76

72- May, M., Ghosh, S., Signals transduction through NF-B, Immunol Today. 19
(1998) 80-88.
73- Smiley, S.T., King, J.A., Hancock, W.W., Fibrinogen stimulates macrophage
chemokine secretion through toll-like receptor 4, J. Immunol. 167 (2002)
2887-94.
74- Okamura, Y., Watari, M., Jerud, E.S., Young, D.W., Ishizaka, S.T., Rose, J.,
Chow, J.C., Strauss, J.F., The extra domain A of fibronectin activates Tolllike receptor 4, J. Biol. Chem. 276 (2001) 10229-33.
75- Stenfeldt, A., Wenneras, C., Danger signals derived from stressed and
necrotic epithelial cells activate human eosinophils, Immunology. 112 (2004)
605-14.
76- Chen, W., Syldath, U., Bellmann, K., Burkart, V., Kolb, H., Human 60-kDa
heat-shock protein: a danger signal to the innate immune system, J. Immunol.
162 (1999) 3212-9.
77- Bethke, K., Staib, F., Distler, M., Schmitt, U., Jonuleit, H., Enk, A.H.,Galle,
P.R., Heike, M., Different efficiency of heat shock proteins (HSP) to activate
human monocytes and dendritic cells: superiority of HSP60, J. Immunol. 169
(2002) 6141-8.
78- Shi, Y., Evans, J.E., Rock, K.L., Molecular identification of a danger signal
that alerts the immune system to dying cells, Nature. 425 (2003) 516-521.
79- Anderson, J.M., Mechanisms of inflammation and infection with implanted
devices, Cardiovasc Pathol. 2 (1993) 33S-41S.
80- Babensee, J.E., Anderson, J.M., McIntire, L.V., Mikos, A.G., Host responses
to tissue engineered devices, Adv Drug Del Rev. 33 (1998) 111-139.
81- Sayegh, M. H., Watschinger, B., Carpenter, C.B., Mechanisms of T cell
recognition and alloantigen. The role of peptides, Transplantation. 57 (1994)
1295-302.
82- Loudovaris, T., Mandel, T.E., Charlton, B., CD4+ T cell mediated destruction
of xenografts within cell-impermeable membranes in the absence of CD8+ T
cells and B cells, Transplantation, 12 (1996) 1678-1684.
83- Matzelle, M. M., Babensee, J.E., Humoral immune responses to model
antigen co-delivered with biomaterials used in tissue engineering,
Biomaterials. 25 (2004) 295-304.

77

84- Metzger, D.W., Immune responses to tissue-engineered extracellular matrix
used as a bioscaffold, Annals of the New York Academy of Sciences. 961
(2002) 335-336.
85- Ratner, B., Reducing capsular thickness and enhancing angiogenesis around
implant drug release systems, J Control Release. 78 (2002) 211-218.
86- Meese, T. M., Hu, Y., Nowak, R.W., Marra, K.G., Surface studies of coated
polymer microspheres and protein release from tissue-engineered scaffolds, J.
Biomed. Sci. Polymer. Edn. 13 (2002) 141-151.
87- Mikos, A.G., Thorsen, A.J., Czerwonka, L.A., Bao, Y., Langer, R., Winslow,
D.N., Vacanti, J.P., Preparation and characterization of poly(L-lactic acid)
foams, Polymer. 35 (1994) 1068-1077.
88- Ishaug, S.L., Crane, G.M., Miller, M.J., Yasko, A.W., Yaszemski, M.J.,
Mikos, A.G., Bone formation by three-dimensional stromal osteoblast culture
in biodegradable polymer scaffolds, J Biomed Mat Res. 36 (1997) 17-28.
89- Ruhe, P. Q., Hedberg, E.L., Padron, N.T., Spauwen, P.H., Jansen, J.A.,
Mikos, A.G., RhBMP-2 release from injectable poly(DL-lactic-co-glycolic
acid)/calcium-phosphate cement composites, J. Bone and Joint Surgery. 85
(2002) 75-81.
90- Scholl I, Weissenbock A, Forster-Waldl E, Untersmayr E, Walter F,
Willheim M, Boltz-Nitulescu G, Scheiner O, Gabor F, Jensen-Jarolim E.,
Allergen-loaded biodegradable poly(D,L-lactic-co-glycolic) acid
nanoparticles down-regulate an ongoing Th2 response in the BALB/c mouse
model, Clin Exp Allergy. 34 (2004) 315-21.
91- Murillo M, Goni MM, Irache JM, Arangoa MA, Blasco JM, Gamazo C.
Modulation of the cellular immune response after oral or subcutaneous
immunization with microparticles containing Brucella ovis antigens. J Control
Release. 85 (2002) 237-46.
92- Newman KD, Samuel J, Kwon GS. Ovalbumin peptide encapsulated in
poly(D,L lactic-co-glycolic) acid microspheres is capable of inducing a T
helper type 1 immune response. J Control Release. 54(1998) 49-59.
93- Lu L, Garcia CA, Mikos AG. In vitro degradation of thin poly(DL-lactic-coglycolic acid) films. J Biomed Mater Res. 46 (1999) 236-244.
94- Von Recum HA, Cleek RL, Eskin SG, Mikos AG. Degradation of
polydispersed poly(L-lactic acid) to modulate lactic acid release.
Biomaterials. 16 (1995) 441-4.

78

95- Paradossi, G., Cavalieri, F., Chiessi, E., Spagnoli, C., Cowman, M.K.,
Poly(vinyl alcohol) as versatile biomaterial for potential biomedical
applications. J Mater Sci Mater Med. 14 (2003) 687-91.
96- Robinson, S.N., Talmadge, J.E., Sustained release of growth factors. In Vivo.
16 (2002) 535-40.

79

