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ABSTRACT 

Development of Synthetic Polymeric and Ceramic Composite 
Constructs for Bone Tissue Engineering 

by 

Brandon T. Smith 

 The field of tissue engineering has developed a multitude of synthetic bone 

substitutes in order to mitigate the drawbacks associated with grafts. However, achieving 

complete regeneration of large tissue defects by utilizing synthetic substitutes continues to 

present many obstacles to tissue engineers. Because bone is a complex tissue that has an 

elaborate architecture which has regional differences in structure and composition we 

sought to develop biomaterials that combine biocompatible ceramics and synthetic 

polymers that can better recapitulate the complex architecture and composition present in 

native bone.  

 In this thesis, we seek to develop bone tissue engineering strategies that leverage 

ceramics and synthetic polymers. First, we fabricated and characterized glucose 

microparticles (GMPs) to serve as a porogen within calcium phosphate cements (CPCs). 

In the first specific aim we demonstrate one can easily tailor the handling properties and 

overall macroporosity by altering the concentration of GMPs within CPCs. Furthermore 

after 3 days, GMPs were completely dissolved further increasing the scaffolds 

macroporosity.  The second objective of this work was to evaluate regenerative efficacy of 

GMP loaded CPCs in vivo using a rat femoral condyle defect model. Constructs that 

incorporated smaller GMPs were found to increase the amount of regenerated bone after 2 

weeks compared CPC controls. The results of this study demonstrated the ability of a 

simple metabolically active molecule to improve bone formation in CPC based 

biomaterials.  In the second Specific Aim, we investigated the effects of incorporating 

GMPs (developed in Specific Aim 1) and poly(lactic-co-glycolic acid) microparticles 

(PLGA MPs) within CPCs on the cement’s handling properties and physicochemical 
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properties. By analyzing the molecular weights of PLGA MPs, we demonstrated that 

GMPs can be leveraged to impede the local acidity created due to the degradation of PLGA 

MPs by increasing the scaffold porosity to facilitate the diffusion of lactic and glycolic acid 

degradation products to the surrounding media, thus allowing better control of the PLGA 

degradation kinetics. Finally, the last aim of this dissertation leveraged 3D printing for the 

fabrication of multiphasic ceramic/polymer composites in order to guide mesenchymal 

stem cell differentiation. We demonstrated that one can dramatically affect the osteogenic 

differentiation of mesenchymal stem cells by altering the porosity, ceramic content, and 

concentration.  

 In summary, the overall objective of this project is to develop tissue engineering 

strategies that leverage both ceramics and synthetic polymers. During the course of this 

thesis, we will demonstrate that simple metabolically active molecules can serve as an 

innovative porogen for calcium phosphate cements and that ceramic content, concentration 

and scaffold porosity can be tailored to control the phenotype of mesenchymal stem cells 

within 3D constructs.  
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Chapter 1 

Objectives 

 
Overview  
 
    The treatment of bone defects continues to be a challenge for the field of tissue 

engineering. As such, there is a need for the development of novel treatment methods that 

address the problems associated with the treatment of large bone defects. However, given 

the current regulatory environment and cost, new technologies face steep obstacles before 

they can be translated into clinical practice. Therefore, it is ideal to leverage currently 

approved Food and Drug Administration products to expedite regulatory approval.    

The overarching goal of this work is the development of tissue engineering 

strategies that leverage both ceramics and synthetic polymers. First, carbohydrate-based 

microparticles will be developed and introduced within calcium phosphate cement (CPCs) 

ceramics for improved degradation and bone regeneration. Subsequently, these novel 

carbohydrate microparticles will be combined with poly(lactic-co-glycolic acid) (PLGA) 

microparticles within CPCs to evaluate the effect on the degradation rate of PLGA and 

CPC composites. Finally, synthetic polymer scaffolds, fabricated by leveraging 3D 

printing, that incorporate bioceramic particles, will be developed and evaluated on the 

ability to influence osteogenic differentiation.  
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Specific Aim 1: Development and Characterization of Glucose 

Microparticles as a Porogen within Calcium Phosphate Cements   

In this specific aim, glucose microparticles were fabricated and characterized to serve as 

porogens within CPCs.  

Study 1.1: Fabrication and evaluation of calcium phosphate cements 

incorporating glucose microparticles 

This study investigated the possibility of incorporating glucose microparticles 

(GMPs) as a porogen for CPCs. Toward this end, we evaluated the effects of two 

different GMP sizes (100-150 μm, 150-300 μm) and four loading fractions (10, 20, 

30, and 40%) on the resulting GMP/CPC composites. Specifically, we investigated 

how GMP incorporation affects the overall scaffold macroporosity, mechanical 

properties, and handling characteristics.  

Study 1.2: Evaluation of calcium phosphate cements incorporating glucose 

microparticle porogens in a femoral condyle defect model  

GMP loaded CPCs were implanted in a rat femoral condyle defect to evaluate the 

efficacy of GMPs as a fast-acting porogen for CPCs in vivo. Composites were 

fabricated incorporating 20 wt% GMPs at two different GMP size ranges (100-150 

µm and 150-300µm). Formulations that incorporated GMPs were compared to CPC 

containing 20 wt% PLGA MPs, and plain CPC. 

Specific Aim 2: Fabrication and Characterization of Calcium Phosphate 

Cements Incorporating Glucose and Poly(lactic-co-glycolic acid) 

Microparticles 

In this specific aim, the previously developed glucose microparticles were combined with 

polymeric microparticles to further control the scaffolds porosity and mitigate some of 

the adverse effects associated with PLGA microparticles.  
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Study 2.1: Fabrication and characterization of calcium phosphate cements 

incorporating glucose and poly(lactic-co-glycolic acid) microparticles 

This study investigated the incorporation of GMPs and PLGA MPs within CPCs 

and evaluated the effect of GMPs on the degradation rate of CPC composites. The 

effects of GMPs on the degradation of PLGA was also investigated.  

Specific Aim 3: 3D Printing and Characterization of Ceramic/Polymer 

Composite Scaffolds 

In this specific aim, 3D printed polymeric scaffolds that contained material and 

architectural gradients were leveraged to further understand the process of osteogenesis. 

Furthermore, the scaffolds were evaluated for the generation of heterogeneous tissue.  

Study 3.1: Effects of porosity and ceramic gradients on the osteogenic 
differentiation of mesenchymal stem cells  

In order to illuminate the impact of  three possible effectors, pore size, ceramic 

content and concentration, on the osteogenesis of mesenchymal stem cells (MSCs), 

bone marrow stromal cells were cultured on 3D printed poly(ε-caprolactone) (PCL) 

constructs that exhibited a gradient of three different pore sizes and three different 

concentrations of hydroxyapatite (HA) and β-tricalcium phosphate (β-TCP). By 

doing so, we were interested in elucidating the contributions of physical and 

chemical gradients on the biochemical behavior and mineralized matrix 

development of actively proliferating MSCs in a 3D culture environment.    
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Chapter 2 

Craniofacial Regenerative Medicine1 

Abstract  

The complex architecture of craniofacial anatomy, different mechanical demands, 

and variable local environments makes the application of uniform tissue engineering 

strategies difficult within this region. However, over the past few decades regenerative 

technology for craniofacial reconstruction has seen substantial innovation. Much of this 

advancement can be attributed to new tissue engineering discoveries. In this chapter, we 

discuss the craniofacial region and common defects that occur as a result of pathology, 

trauma, and the side-effects of treatment. In addition, we describe current practices to aid 

the regeneration of native tissue. Finally, we highlight current bone tissue engineering 

strategies specific to the craniofacial region. 

 
1 This chapter was published as a portion of B.T. Smith*, E. Watson*, I.A. Hanna, J.C. Melville, A.G. Mikos, 
and M.E. Wong, “Craniofacial Regenerative Medicine,” in Principles of Regenerative Medicine, 3rd Ed., A. 
Atala, R. Lanza, A.G. Mikos, and R. Nerem, Eds., Elsevier Academic Press, San Diego, 2019, pp. 887-905 
* denotes equal contribution  
 
 



  

 5 

Introduction  

The craniofacial region is comprised of several tissue types and a number of niche 

environments. As such, the need to regenerate injured or diseased tissues requires strategies 

for engineering both hard and soft tissue taking into account their surroundings. Over the 

past two decades, tissue engineers have made great strides developing techniques that 

support and encourage new tissue growth. However, it is imperative that one appreciates 

the unique characteristics associated with the defect first. With this knowledge, healthcare 

providers can select specific approaches that optimize aspects of tissue-engineering 

technology. Recently, additive manufacturing techniques have become more popular in the 

clinical setting, and attention has turned to how patient specific models can be used to plan 

and execute surgical care while patient specific implants can be leveraged to further 

enhance tissue regeneration within the craniofacial region. This chapter will discuss the 

craniofacial environment, review current clinical reconstructive practices and highlight 

bone tissue engineering strategies with applications in craniofacial reconstruction.  

Understanding the Craniofacial Regenerative Environment 
 There are several types of craniofacial defects associated with different 

environments and the characteristics of each must be considered if predictable regenerative 

medicine results are expected. While comprehensive descriptions of each environment are 

incomplete, some of the most important features have been identified through a detailed 

study of the normal development of tissue types and basing regenerative technologies on a 

reproduction of embryological and re-modeling biology. Using bone engineering as an 

example, defect characteristics such as [1]:  

 

1. The resident population of pluri- or multipotent stem cells available for 

differentiation  

2. Vascularity of the defect and ability of the newly formed tissue to undergo 

neo-vascularization 

3. The activity of critical genes, growth factors, and signal transduction agents 

that mediate tissue formation and remodeling 

4. Physical features of the defect that promote tissue formation including 
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available space and naturally occurring scaffolds 

5. Mechanical influences on the defect including types and magnitude of loads 

6. Interactions between epithelial and mesenchymal elements  

 

 In addition to these features, the ability of different craniofacial defects to undergo 

successful reconstruction is also affected by the cause and the presence of infection. We 

will examine several common defects with different environmental characteristics to 

illustrate the need for customized regenerative strategies and why techniques for 

regeneration work for some defects but not for others. 

  One of the smallest and most challenging defects to regenerate is the periodontal 

apparatus which surrounds an erupted tooth and is responsible for its support. The 

periodontium is composed of an epithelial gingival cuff supported by mesenchymal 

connective tissue covering the alveolar bone, which forms the tooth socket encasing the 

root(s). The connective tissue fibers that attach the cementum lining of the tooth root to the 

socket walls is known as the periodontal ligament and within its fibers lies a network of 

vascular channels and neural elements with associated cells in various stages of 

differentiation. Loss of the periodontium typically follows chronic inflammation due to the 

accumulation of bacteria / virus-laden biofilms on the surface of a tooth and root  [2].  

  The resulting infection results in osteolysis creating a pocket between the alveolar 

bone and overlying gingival soft tissue and also results in loss of the periodontal ligament 

attachments between the bone and root surface cementum. This defect can have single or 

multiple bony walls. Defects with multiple bony walls constitute more protected 

environments and regenerative technologies are more successful in these circumstances. 

While complete restoration of the composite structures within periodontal defects remains 

elusive, certain treatment strategies are required to achieve any measure of regenerative 

success. An appreciation of these factors provides general guidelines for the successful 

reconstruction of craniofacial defects and can be applied broadly.  

  To begin with, physical removal of the biofilm covering all the surfaces of the 

defect is necessary. Systemic and local delivery of broad-spectrum antibiotics against 

periodontal pathogens is also beneficial [3, 4]. The effect of infection and inflammation on 

bone formation is a complex topic that acknowledges, on one hand, the important role 
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played by pro-inflammatory mediators to initiate the coordinated processes responsible for 

bone regeneration. Some of the important mediators of early inflammation include IL-1, 

IL-6, TNF-a and eicosanoids such as prostaglandin (e.g. PGE2). Evidence of the role 

played by these mediators is provided by knockout animal studies or the observed effects 

of anti-PGE2 medications such as Non-Steroidal Anti-Inflammatory Drugs (NSAIDs) 

which both result in compromised bone formation. After these initial events, the activity 

of pro-inflammatory mediators abate and a rise in local levels of anti-inflammatory 

mediators, such as Resolvins, Protectins and Lipoxins (autacoids) are responsible for 

countering inflammation and coincides with the start of the reparative process. Both 

eicosanoids and autacoids are derivatives of Arachidonic Acid (AA) and the mechanism 

for a change in synthesis from inflammatory to anti-inflammatory mediators has been 

characterized as “class switching” and occurs through the activation of enzymes, such as 

15-lipooxygenase. If inflammation in a defect site persists as a result of chronic infection, 

osseous regeneration is diminished. An excellent review of the topic of inflammation and 

bone regeneration is contained in an article by Thomas and Puleo [5].  

Once regeneration begins, the kinetics of the different reparative tissues becomes 

important. More specialized components of the periodontium like the bony walls, ligament 

and bone-cementum attachments, take longer to form than epithelium or connective tissue.  

Unless a physical void is preserved by preventing the ingrowth of epithelium and 

connective tissue (a technique known as osteopromotion by barrier techniques), 

periodontal regeneration is compromised. Scaffolds in combination with barrier membrane 

technology have been shown to be effective in restoring bone volume and the addition of 

exogenous growth factors or gene therapy for local production of growth factors are 

additional approaches that have been studied in pre-clinical studies [6].  

 Larger defects of the craniofacial skeleton extending beyond the periodontal defect 

differ from each other in a number of physical and biological ways. Defects can be intra-

bony and surrounded with multiple bony walls. In this case, the rigidity of the walls 

facilitates bone regeneration by protecting biological scaffolds such as blood clots, healing 

tissue and neo-vasculature. In addition, periosteum lining the bone surfaces and the 

underlying endosteal surfaces are an excellent source of cells capable of differentiation 

under the influence of the proper growth factors. When a bony defect is segmental, only 2 
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bony walls remain leading to greater instability of the skeletal structure, reduced apposition 

of osteogenic cell beds, and the potential for adjacent soft tissue to prolapse into the defect 

reducing bone formation later on. Immobilization of the bone ends (with bone plates) is 

important to protect early reparative activities such as the secretion of extra-cellular matrix 

and neovascularization from mechanical disruption by external loads. Filling such defects 

with rigid graft material (either autologous, allogeneic, or alloplastic) also enhances 

regeneration by providing a source of living cells or tissue with inductive or osteogenic 

capabilities. The graft can also serve as a scaffold and a barrier to the ingrowth of non-

osteogenic tissue. Techniques for reconstructing segmental bone defects utilizing tissue 

engineering principles are described later in this chapter. 

 As described in the strategies for promoting periodontal regeneration, inflammation 

and infection play significant roles in the regenerative capabilities of craniofacial defects. 

Infection of a graft site is a major factor accounting for a complication rate of 48% in a 

current review of the literature on non-vascularized bone grafting [7]. Strategies for 

reducing infection through implantation of anti-microbial agents will be described in a later 

section. 

While the paradoxical relationship between inflammation and bone formation 

raises theoretical questions on the significance of inflammatory states, the negative effect 

of prolonged inflammation on bone grafting and fracture repair is well documented [8]. As 

such, it is essential to treat infected craniofacial defects by physical debridement and anti-

microbial agents for healing or regeneration to occur. Newer strategies to deliver antibiotics 

locally using devices fabricated through tissue engineering will be described later in this 

chapter.  

Other important conditions that can reduce the regeneration of bone include those 

that compromise the vascularity of the tissue surrounding a bone defect. The role of the 

vasculature as a source of inducible cells (pericytes), conduit for inflammatory cells 

(platelets, macrophages and monocytes) and essential foundation for supporting 

metabolism in all living tissue is well known [9]. When the blood supply to a defect site is 

compromised by therapeutic measures such as radiation therapy, co-morbid conditions 

(e.g. diabetes), and even healing processes (e.g. scarring and fibrosis), the ability of a defect 

to undergo osteogenic healing is reduced. Efforts to reconstruct craniofacial defects 
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afflicted by such conditions include adjuvant strategies to mitigate against the 

compromised vascularity such as the transfer of well-vascularized tissue beds or chemical 

modulators of angiogenesis. An example of the critical role of the vasculature is provided 

in this histological section.. New bone formation associated with neovascularization from 

the periosteum is seen as osteogenesis progresses from the vascularized margin upwards. 

Maxillofacial reconstruction evolved from the use of non-vascularized grafting to 

the addition of vascularized free flaps in the late 1980’s [10]. Non-vascular autogenous 

bone grafts were considered the gold standard for the repair of bone defects. However, 

successful osteogenesis from non-vascularized grafts depended on adequate soft tissue 

coverage to isolate the graft site from infection, serve as a source of osteoprogenitor cells 

and provide a vasculature supply. Common donor sites for bone harvest included the ilium, 

tibia, and calvarium [11, 12]. Free tissue transfer techniques added  the use of vascularized 

flaps anastamosed to local vessels when defect sites were contaminated or associated with 

compromised vascularity [13]. The impact of free flap reconstructions has been so 

profound that it is considered to be one of the most influential advances in head and neck 

surgery [14]. These flaps are harvested from areas with an axial blood supply which are 

isolated and anastamosed to vessels close to the defect site to produce an immediately 

“living” transplant. The most commonly used sites are chosen for their ease in harvest, 

modest donor site morbidity and ability to include a large volume and variety of tissue 

types nourished from a single vascular pedicle e. When soft tissue is missing or when a 

vascularized soft tissue bed is required, the anterior lateral thigh (ALT) flap or radial 

forearm flap can be used. For defects requiring composite soft tissue and bony 

reconstruction, options include the fibula, scapula and deep circumflex iliac artery (DCIA) 

nourished ilium flaps. Technical concerns with these techniques include the morbidity 

associated with graft harvest, patency and length of vessels, duration of surgery and 

recovery time [15].  However, the quality of reconstruction judged by the amount of bone 

stock is a matter of the patient’s anatomy and may or may not be adequate for functional 

purposes. 
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Conclusions  

The field of tissue engineering continues to make important strides towards the goal 

of producing biological tissue of high functional and esthetic fidelity to replace anatomical 

structures lost to trauma or disease. The field has developed sophisticated biomaterials that 

leverage manufacturing techniques, characterized and manufactured cell signaling proteins 

and developed strategies to deliver therapeutic doses of antibiotics locally to further 

improve tissue regeneration. In addition, clinicians trying to apply this technology have 

gained new appreciation for the underlying cause of a defect, which plays a significant role 

in the success of tissue regeneration. While there have been significant advancements in 

the field, new directions of investigation into regenerating composite, vascularized and 

innervated constructs are required to account for all the tissue types present within the 

craniofacial region.  
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Chapter 3 

Bone Tissue Engineering Challenges in Oral 
and Maxillofacial Surgery2 

Abstract 

Over the past decades, there has been a substantial amount of innovation and 

research into tissue engineering and regenerative approaches for the craniofacial region. 

This highly complex area presents many unique challenges for tissue engineers. Recent 

research indicates that various forms of implantable biodegradable scaffolds may play a 

beneficial role in the clinical treatment of craniofacial pathological conditions. 

Additionally, the direct delivery of bioactive molecules may further increase de novo bone 

formation. While these strategies offer an exciting glimpse into potential future treatments, 

there are several challenges that still must be overcome. In this article, we will highlight 

both current surgical approaches for craniofacial reconstruction and recent advances within 

the field of bone tissue engineering. The clinical challenges and limitations of these 

 
2 This chapter was published as B.T. Smith, J. Shum, M. E. Wong, A.G. Mikos, and S. Young “Bone 
Tissue Engineering Challenges in Oral and Maxillofacial Surgery,” Engineering mineralized and load 
bearing tissues, 57-78 
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strategies will help contextualize and inform future craniofacial tissue engineering 

strategies.     
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Introduction 

Tissue engineering was defined by Langer and Vacanti in 1993 [16], as a new 

approach which “applies the principles of biology and engineering to the development of 

functional substitutes for damaged tissue”. In contrast to the traditional biomaterials 

approach at that time, this nascent field integrated knowledge across a diverse set of 

disciplines with the goal of inducing regeneration of damaged tissues rather than 

performing replacement with inert parts.  

More than two decades later, the growth of the tissue engineering and regenerative 

medicine (TERM) field continues unabated. At the turn of the 21st century, about 360 

original TERM articles were being published yearly, while over 4,000 original TERM 

articles were published in 2010 alone [17]. 

This heightened interest in TERM has led to virtually all tissues in the body (and 

even whole organs) having been investigated by TERM researchers across the globe. The 

focus of this chapter however, is to highlight current bone tissue engineering strategies 

within the craniofacial complex. Of additional importance from a translational standpoint, 

we will also describe the specific challenges of applying bone tissue engineering strategies 

to this anatomical region, and briefly discuss current methods of surgical reconstruction. 

Challenges for Bone Tissue Engineering in the Craniofacial Complex 

Generally speaking, bone displays a high capacity for regeneration following 

injury. This fact, aided by continued advancements in surgical technique and bone fixation 

hardware, has resulted in progressive improvement in treatment outcomes of complex 

craniofacial bony defects. 

Nonetheless, situations arise in which either the sheer quantity of bone required for 

reconstruction exceeds the bone’s intrinsic ability to regenerate, or the host tissue’s 

regenerative ability has been compromised (or both). The former situation may be 

encountered following resection of large pathological lesions or the result of avulsive 

injuries due to high-energy trauma. On the opposite end of the spectrum, seemingly small 

traumatic insults inflicted on the dentoalveolar ridge may progressively worsen into large, 

non-healing lesions of the jaws in conditions such as osteoradionecrosis (ORN) or 
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medication-related osteonecrosis of the jaws (MRONJ), where radiation or certain 

medications adversely affect bone healing [18]. The result is that bone reconstruction in 

these situations may require the use of a grafting material (whether it be autogenous, 

allogeneic, xenogeneic, or synthetic in origin) or microvascular free tissue transfer, as 

described later in this chapter.  

It is interesting to note that despite the extensive TERM research focused on bone 

over the last few decades, many clinicians still consider autologous sources as the “gold 

standard”, and more than 50% of the 3 million musculoskeletal procedures performed 

annually in the USA use autologous or allogeneic sources of bone graft [19]. Tissue 

engineering strategies combining the use of a scaffold with bioactive factors and/or living 

cells hold promise as viable alternatives, but the only FDA-approved systems currently 

available involve the release of supraphysiologic doses of recombinant bone 

morphogenetic proteins (either rhBMP-2 or -7) from simple collagen matrices [19].  

The cost of commercializing a tissue engineering bone substitute may be partly 

responsible, but this also underscores the challenge of developing a successful tissue 

engineering solution for bone regeneration in the oral and maxillofacial environment. 

The demand for such materials certainly exists. In addition to the enormous amount of bone 

grafting procedures performed annually as mentioned above, it has been estimated that 

greater than 85% of the US population requires repair or replacement of a craniofacial 

structure [20]. While this appraisal includes numerous tissues in addition to bone (i.e. tooth, 

temporomandibular joint, salivary gland, mucosa), it illustrates not only the sheer diversity 

of structures within the craniofacial complex, but also their vulnerability to damage. 

Indeed, there are a host of etiologies that contribute to the need for tissue 

replacement in the oral cavity and surrounding structures bounded by the lower jaw 

inferiorly and the cranial base superiorly (i.e. the oral and maxillofacial region). Our 

discussion is centered on the skeletal elements which form the underlying framework of 

this area, but it should be noted that a complex overlying neurovascular network, skin and 

subcutaneous tissues, salivary glands, and dental structures are all densely localized within 

this small area. The result is that complex composite tissue defects can result from high-

energy trauma, congenital deformities, and disease.  
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A wide spectrum of disease processes can affect the lower (mandible) and upper 

(maxilla) jaws. Commonly encountered pathological lesions of the jaws include benign 

cysts and malignant tumors whose growth and ensuing treatment may result in the loss of 

bone, cartilage, and overlying soft tissues. Traumatic wounds resulting from high-velocity 

blunt forces or projectiles may also result in significant tissue loss, while congenital facial 

clefts (most commonly in the form of cleft lip and/or palate) can involve several structures 

such as the upper lip, maxilla, and palate, resulting in facial deformities. 

In contrast to such entities that may be spatially and/or temporally discrete, tissue 

loss can also occur due to non-physiological loading conditions or autoimmune disease. 

Alveolar bone resorption following the loss of teeth and degenerative disease of the 

temporomandibular joint (TMJ) are examples of bone loss resulting from long-term 

abnormal mechanical loading forces. Similarly destructive loss of TMJ components can 

also occur in autoimmune diseases which affect the synovium, such as rheumatoid or 

psoriatic arthritis. Aside from the functional and esthetic complications of these diseases 

such as difficulty with mastication and the loss of vertical facial height, more debilitating 

consequences may also arise such as pathological fracture of the atrophic mandible [21].  

Regardless of the surgical technique or material used for reconstruction, careful 

consideration of the etiology is of utmost importance. Assuming the causative event has 

been resolved (i.e. definitive removal of a pathological lesion, a one-time traumatic insult, 

or a congenital defect), even complex defects can be well characterized and treated 

accordingly. However, unpredictable results using biological constructs can occur if the 

source problem continues unabated. For example, in the face of untreated autoimmune 

disease or persistent non-physiologic loading, even a “perfectly integrated” biologic TMJ 

construct would be doomed to failure, regardless of its ability to recapitulate the form and 

function of the original TMJ anatomic components. 

Bone tissue engineering strategies in the oral & maxillofacial region must also 

account for potential exposure of the implanted material to the external environment. At 

the time of the grafting procedure (and for a short time thereafter, until an epithelial barrier 

has been re-established), materials used for nasal, orbital, auricular, or 

mandibular/maxillary reconstruction may directly communicate with the nasal and oral 

cavities, sinuses, and the outside environment. A specific concern includes a significant 
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presence of pathological organisms within a moist environment. This imposes a potential 

risk for graft site infection and decreased predictability of the bone grafting procedure. The 

design of the biologic tissue engineered construct should therefore consider several factors 

such as the use of antimicrobials (either systemic or locally-delivered), optimized surface 

characteristics (to minimize potential bacterial colonization and subsequent biofilm 

formation), and bioactive factor dose/release kinetics (to account for the diluting effects of 

body fluids at the time of implantation).  

Lastly, special consideration should be given to the form and function required of 

the bone reconstruction material, depending on the location of the defect within the oral 

and maxillofacial complex. From a functional standpoint, the minimal mechanical load 

imposed on a material used to reconstruct the orbital floor is substantially less than the 

compressive, shear, and tensile forces experienced by materials used to reconstruct a large 

jaw defect (which may also require further rehabilitation using loaded dental endosseous 

implants) or temporomandibular joint. Esthetic considerations are important as well, with 

the need for accurate reconstruction of normal bony contours that are symmetric with the 

contralateral side. The visually prominent position of the face, in combination with the 

thinness of the overlying soft tissue envelope imposes a high standard on both the bone 

tissue engineer and surgeon, to accurately reproduce normal facial morphology in their 

reconstructive efforts.  

Current Methods of Maxillofacial Reconstruction  

Reconstruction in the head and neck has undergone an evolution in surgical options 

and corresponds to the development of techniques and technological advances. A variety 

of reconstructions are practiced and are a reflection of experience, and resources available 

to the treating surgeon. Generally, these methods can be categorized into one of two 

categories: non-vascularized or vascularized reconstructions (Table 1). The defining 

feature between the two is the presence of a blood supply for the transplanted tissue at the 

time of placement. For most clinical scenarios, the ideal reconstruction will be defined by 

the characteristics of the defect to be restored, in addition to patient factors such as overall 

health and viability of donor sites. 
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Table 1. Review of Reconstruction Modalities. 
 

Type of 
Reconstruction 

Soft Tissue Replacement Hard Tissue 
Replacement 

Composite 
Replacement 

Hardware - Reconstruction Plate - 

Non Vascularized • Skin Grafts – Split/ Full 
thickness 

 
• Alloderm 
 

• Allogenic,- 
Demineralized freeze 
dried bone graft 
 

• Autogenic- cortico-
cancellous bone graft 
e.g. iliac crest 
 

- 

Vascularized • Local regional flaps 
e.g. Pectoralis major flap 

 
• Microvascular Free flaps 

e.g. Radial forearm, anterior 
lateral thigh, lateral arm 

 

• Local regional flaps 
 

• Microvascular free 
flap i.e. Fibula, 
Scapula, Deep 
Circumflex Iliac 
Artery (DCIA) 

• Multi component 
free flaps e.g. 
Fibula, Scapula 

 

 

The inciting cause of the defect will also play a significant role in the decision 

process, as most if not all defects of the head and neck will fall under traumatic defects or 

result from the treatment of pathology. Within the subgroup of pathology, we further 

delineate between benign and malignant related defects to consider the effects caused by 

previous or adjunct therapy. For example, prior surgery can alter the anatomic landscape 

to make subsequent surgical therapy difficult for accurate identification of vital structures. 

Radiation can further complicate a surgical site through the effects of radiation-induced 

fibrosis on soft and hard tissue and sclerosis of blood vessels that can compromise the 

ability to consider a microvascular reconstruction. Chemotherapy alone has limited effects 

on soft tissue; however when used in conjunction with radiation can exacerbate the 

consequences of radiation. With all reconstruction methods, we strive to establish form and 

function through a reliable method that replaces like tissue with like tissue, while 

minimizing morbidity. 



  

 18 

Mandible Reconstruction  

The mandible is a unique structure of the head and neck as it serves multiple 

functions in mastication and speech and provides a significant component of the structure 

of the face. It is an arch-shaped bone that supports the lower dentition and is under constant 

function with regular activities such as mastication. Defects may be isolated to the bone or 

soft tissue, or occur as composite defects that involve a combination of tissue types within 

the lower face.  

Non-vascularized reconstructions are generally reserved for isolated tissue type 

defects such as the loss of a segment of mandible with minimal soft tissue loss. In regards 

to patient host factors, the presence of radiation injury to the defect site, or prior surgery 

can compromise the success of a non-vascularized reconstruction. Common sources for 

non-vascularized grafts are of autogenous or allogenic origin. In regards to autogenous 

grafts, the anterior and posterior iliac crest serves as a preferred location for harvest in the 

form of both cortical, and/or cancellous bone for the replacement of bone tissue. The 

anterior iliac crest can yield 40 – 50 ml of particulate bone and uncompressed marrow or 

an average corticocancellous block of 5 x 3 cm [22]. The posterior iliac crest can produce 

100 – 130 ml of corticocancellous bone or an average 5 x 5 cm size block of bone [22]. 

Other sites commonly used for autogenous bone harvest include the tibial plateau, rib, and 

calvarium. 

It is generally believed that the ideal bone graft should be osteogenic, 

osteoconductive, and osteoinductive. The use of autogenous bone graft is preferred as it 

satisfies these requirements; furthermore, allogenic bone grafts are commonly reserved for 

small defects or are used in conjunction with autogenous grafts to provide bulk and 

osteoconductive and osteoinductive augmentation. Demineralized bone graft material is 

commonly used in this manner. Components within cortical bone such as bone 

morphogenic protein (BMP) exhibit osteoinductive properties to facilitate bone growth in 

non-vascularized grafts. 

The harvest of an iliac crest bone graft is straightforward, and can provide a reliable 

amount of bone grafting material with minimal morbidity at the donor site. The 

disadvantages associated with non-vascularized grafts are the tendency for definitive 

reconstruction to occur in a two-step process. The success of a non-vascularized bone graft 
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largely depends on the vascularity of the recipient site and the quantity of osteoblasts 

present in the graft material or through recruitment by mediators such as BMP. Bone 

formation is completed through a process of creeping substitution whereby the matrix of 

the donor bone graft acts as a framework for new osteoblastic bone deposition to occur for 

up to 6 months after grafting. The disadvantages of non-vascularized reconstruction are 

based on the reduced success rates when salivary contamination occurs, and can result in a 

graft failure rate of at least 50% [23]. The success rate approaches 100% when 

reconstruction is delayed and an extraoral approach is utilized to avoid oral cavity 

contamination. Subsequently, large defect reconstructions are staged to ensure the defect 

dimension is maintained (usually with a reconstruction plate), and the soft tissue envelope 

has healed prior to a definitive bony reconstruction at least 3 months later [23]. 

Furthermore, the length of the bony reconstruction has also been demonstrated to affect 

failure rates with non-vascularized grafts of 6 cm or less failing 17% of the time, compared 

with a failure rate of 75% in grafts more than 12 cm in length [24].  

Adjunctive soft tissue reconstruction to seal the oral cavity has relied on local 

regional tissue flaps. These soft tissue maneuvers provide vascularized tissue which can be 

transferred from a local or regional area to provide coverage, and/or bulk to support the 

healing of large soft tissue wounds. The classic example is the pectoralis major pedicled 

regional flap, which is based off of the pectoral branch from the thoracoacromial artery. It 

can provide significant muscle, fascia and skin from the chest wall to cover defects ranging 

up to the midface. 

  Another means of reconstruction of the mandible includes the placement of an 

alloplastic material such as a titanium reconstruction plate to establish the form of the lost 

segment. Current use of reconstruction plates are to secure vascularized and non-

vascularized bone grafts to the defect site, in addition to maintaining the space of a defect 

in preparation for secondary definitive reconstruction. This method of mandibular 

reconstruction using titanium plates was examined by Kim et al. demonstrating a 

significant failure rate of 52% when anterior mandible defects were reconstructed with a 

titanium plate alone [25]. A decrease in hardware failure is noted in lateral mandible 

reconstructions, having a 7.7 - 12.5% failure rate. Dehiscence of the soft tissue overlying 

a mandibular reconstruction plate was approximately 17% [25]. Numerous studies also 
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reported similar findings, with most suggesting risk factors for failure to include a history 

of prior radiation treatment. The average retention time for mandibular hardware to 

function has been reported to be 8 – 10 months [26].  

The development of microvascular reconstruction has led to improvements in head 

and neck reconstruction by providing an alternative that can restore form and function 

when composite defects are encountered. Unlike non-vascularized tissue grafts, or 

hardware reconstruction, a composite microvascular reconstruction is not dependent on 

adjacent tissue for success. Unfortunately, composite defects are more common due to the 

indiscriminate nature of traumatic avulsive defects and malignant pathologic processes. 

Free tissue transfer can accommodate for these complex defects in addition to the 

difficulties associated previously radiated tissue, or prior surgery. The potential locations 

for bony reconstruction are several; whereas, non-vascularized bone harvest sites are 

limited and less versatile than the options that are commonly used today for mandibular 

reconstruction.  

The fibula osteocutaneous free flap is considered to be the workhorse 

reconstruction for the head and neck due to the length and quality of bone that can be 

harvested from the lower leg. Average length for a fibula is 20 -26 cm, and the orientation 

of the vascular pedicle allows for the concurrent harvest of adjacent tissue types such as 

muscle, skin and fascia. The fibula harvest site can readily be screened for its suitability 

with clinical examination of the dorsalis pedis, and the posterior tibilais pulse. Preoperative 

imaging in the form of CT angiogram, MR angiogram, or Doppler ultrasound is commonly 

performed to ensure there exists adequate vessels that supply the foot. Within the lower leg 

there are three groups of vessels that branch off from the popliteal artery to travel down the 

leg. The lack of patent vessels can alert the reconstructive surgeon of the increased risk of 

peri-operative complications, and would preclude the use of that extremity for fear of 

comprise to the foot and also of increased chance for free flap failure. 

Recent advances in virtual pre-surgical planning have allowed surgeons to 

collaborate with engineers in designing surgical guides, and cutting splints to facilitate the 

reconstructive surgery. Through pre-operative imaging of the defect site (Figure 2) and the 

harvest site, bony reconstructions can be designed to fit the defect (Figure 3). In terms of 

the fibula free flap, the straight bone of the fibula can be manipulated by osteotomies at 
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certain points along the bone and at varying angles to allow for the contouring of the fibula 

to form a variety of patterns that would reconstruct the mandibular form and ultimately 

function.  

An example of virtual planning is illustrated in Figure 1. This patient suffered an 

avulsive tissue injury to the anterior mandible, floor of mouth and chin. Through the 

process of virtual planning (Figure 4 and Figure 5), the outline of the lower jaw was 

reconstructed, a cutting guide was produced, and the fibula was truncated to reestablish 

mandibular form and to provide a foundation for dental implants.  

 

Figure 1. Patient with an avulsive injury to the anterior mandible, chin and floor of mouth. 
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Additional harvest locations for bony free flap reconstruction include the scapula 

and iliac crest. The scapula vasculature is dependent on the subscapular system. The 

circumflex scapular artery and vein commonly reach diameters that ranges from 2 – 6mm. 

This system of vessels is less likely to develop manifestations of peripheral vascular disease 

when compared with extremity free flaps. The scapula is advantageous due to the multiple 

skin paddles that it can support in conjunction with the bone, making this an ideal 

reconstruction for the maxilla and/or through and through defects of the lower jaw. Linear 

sections of bone can be harvested from the lateral border of the scapula up to 8 cm. In terms 

of mandibular reconstruction, the scapula flap is limited by the size and volume of bone 

available. The average scapula is insufficient in bone thickness to predictably 

accommodate endosseous implants. Furthermore, a significant disadvantage of the scapula 

Figure 2. 3-D rendering of the patient's avulsive defect following stabilization with 
external fixation pins.  Preparation for free flap reconstructions. 
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flap relates to the difficulty in simultaneous harvest with recipient site preparation due to 

patient positioning in lateral decubitus. 

The deep circumflex iliac artery flap (DCIA) is an excellent choice for 

maxillofacial reconstruction as it combines both an excellent quality and quantity of bone 

for reconstruction. The vascular pedicle is reliable with average diameters of 2 -3 mm. The 

donor site is also amenable to primary closure as this flap can be harvested with only the 

associated muscles for soft tissue coverage. Similar to the fibula flap, the ability to perform 

simultaneous two-team surgery is possible with the DCIA. A distinct challenge associated 

with this donor site is the potential for a weakened abdominal wall and resultant hernia 

formation. Regardless of its challenges, the DCIA is considered to be a likely alternative 

to the fibula flap for bony reconstructions in the maxillofacial skeleton. 

Figure 3. 3-D rendering of planned reconstruction with fibula 
osteocutaneous free flap. Top left: Anterior view, Top right: Inferior view, 

Bottom left: Right lateral view, Bottom right: Left lateral view 
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Figure 4. Left: Defect of the mandible was completely exposed to prepare for inset of 
fibula free flap.  Right: Fibula with cutting guide still attached to blood supply in lower 

leg. Note the skin paddle along the right side of fibular construct 

Figure 5. Fibula construct inset to reconstruct mandibular defect.  
Note the mandibular hardware that has fixated the three piece fibula 

on to the hardware plate. 
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Maxillary Reconstruction  
Defects of the midface are distinct from mandibular reconstruction as vital 

structures of the orbit and globe lie superiorly, while along the medial aspect the nasal 

cavity and sinus cavity compose a significant portion of the maxilla. The lateral aspect of 

the maxilla abuts with the zygoma to provide structure to define facial form. The midface 

contains the structural pillars and buttresses for daily activities such as mastication and 

speech. The forces created by the mandible are accepted by the midface and distributed 

through three buttresses which include: the zygomaticomaxillary buttress laterally, 

pterygomaxillary buttress posteriorly and the nasomaxillary buttress anteriorly. In terms of 

reconstruction these buttresses should be reestablished to ensure proper accommodation of 

occlusal forces. 

Maxillary defects have been well described and multiple classifications have been 

developed to assist in treatment algorithms. Table 2 briefly outlines the Brown 

classification system for categorizing maxillectomy defects. Reconstruction options are 

dependent on the extent of tissue loss in terms of volume vs. surface area required for 

restoration of form and the loss of structural units such as the orbital floor, zygoma and 

anterior maxilla for support of the globe and facial form, respectively. The patient’s 

prognosis and future plans for further reconstruction should be considered in choosing a 

definitive reconstruction. For example, patients who undergo total maxillectomy and 

orbital exenteration for malignant pathology may require a large soft tissue flap for 

obturation of the defect and the likelihood of dental rehabilitation is low, thereby forgoing 

a bony reconstruction. 
Table 2. Brown classification for maxillectomy defects.   

The increase in classification and lettering refers to the increasing complexity of the 
maxillary and dentoalveolar defect [27]. 

 
 Surgical Component 

(Vertical) 
  Dental Component   

(Horizontal) 
Class 1 • Defect involving alveolar complex 

without oro-antral communication 
 Class A • Isolated palatal defect, no 

involvement of dentoalveolar 
structures 

Class 2 • Defect involving alveolar complex 
and violation of sinus cavity, but 
without extension to the orbit 

 Class B • Less than or equal to ½ 
unilateral 
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Class 3 • Defect involving alveolar complex 
and violation of sinus cavity with 
extension through the orbital rim 

 Class C • Less than or equal to ½ 
bilateral or transverse anterior 

Class 4 • Maxillectomy with orbital 
exenteration 

 Class D • Greater than ½ maxillectomy 

Class 5 • Orbitomaxillary defect  

Class 6 • Nasomaxillary defect  

 

Due to the unique nature of the maxillectomy defect, several options address these 

features well. The surgical obturator is capable of restoring all sizes of maxillary defects 

(Figure 6 and Figure 7). Prosthetic appliances have excellent aesthetics as well as function, 

depending on the extent of defect being restored. With dentoalveolar defects, the obturator 

has great cosmesis and retention is excellent when remaining healthy teeth are used for 

anchoring the prosthesis in place. The effectiveness of an obturator can be compromised 

with larger defects, and when areas of retention are not available. Although these devices 

incorporate teeth and are fitted to separate the oral cavity from the nasal and antral cavities, 

the appliance is still prone to challenges such as hypernasal speech, regurgitation of fluids 

into the nasal cavity, the requirement for meticulous hygiene, and the need for repeated 

adjustments, all of which can decrease its overall effectiveness as a reconstructive 

treatment. 
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Non-vascularized bone grafting is indicated in maxillary reconstruction when the 

defect is isolated to the dentoalveolar process. It is a common procedure for demineralized 

bone to be used as a bone graft to restore tooth extraction sockets, sinus lifts and to facilitate 

bony preservation for endosseous implant placement. Manifestations of facial clefting are 

also repaired in the manner of non-vascularized bone grafting techniques such as 

autogenous bone harvests from iliac crest or from the tibia.  

Vascularized free flap transfer is more likely to succeed in this environment due to 

the ability to survive independently on the vascular pedicle, as opposed to the surrounding 

tissue bed. Commonly used for maxillary reconstruction are the radial forearm free flap 

and anterior lateral thigh flap for reconstructions that intend to solely obturate the defect 

whereas bony reconstructions are generally completed with the fibula and scapula free flap 

reconstructions to obturate the defect in addition to providing a foundation from which 

endosseous implants may be placed for future dental rehabilitation.  

 

Figure 6. Left - Preoperative view of planned partial maxillectomy.  Right post-operative view of a Brown 
Class 2b defect  after partial maxillectomy.  Note the buccal fat pad was transposed to reconstruct the posterior 

portion of the defect. 
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Recent advances in reconstructive surgery have demonstrated progress in the field 

of facial allograft transplantation. The first operation having only been performed in 2005, 

the preliminary results are promising with the majority of facial transplants having a 

successful outcome based on the lack of tissue rejection and patient’s return to satisfactory 

function. All facial allograft transplantations that have been completed are for significant 

deformities caused by traumatic injuries, burns or congenital defects. In all cases, patients 

had sustained approximately 25% pre-operative facial disfigurement [28]. There exists no 

true guidelines on facial allograft transplantation; in turn, there is no defined limitation on 

the extent of reconstruction. Performing the first comprehensive facial transplantation in 

2012, Rodriguez et al. reconstructed a patient with a prior traumatic injury to his face by 

transplanting the skin of the face, maxilla, zygoma, mandible, tongue and all associated 

blood vessels and nerves as a single composite tissue transfer from a donor [29]. Using 

techniques and principles from facial trauma repair, orthognathic surgery, and 

microvascular surgery this operation and many like it have successfully reconstructed a 

number of patients. The 2 year follow up of this patient has demonstrated a reintegration 

into society, employment, function of his oral cavity with a diet, and also re-innervation of 

Figure 7. Post operative view with maxillary obturator to seal 
oral cavity from antral cavity. 
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muscles of facial expression in the transplanted face. Current data is promising, however 

long term data has yet to be collected. 

Challenges that face the future of facial transplantation lie in the ability to manage 

the adverse outcomes associated with chronic immunosuppression, the identification of 

suitable donors, and the justification of the procedure in regards to the risk–benefit and 

cost-benefit perspective. Traditional reconstructive techniques do not provide as esthetic a 

result, and at times function is also severely limited due to the nature of the defect. 

However, the risk associated with life long immunosuppression may warrant a drastic 

attempt to reconstruct an otherwise healthy individual. Regardless, facial transplantation 

has been proven to be technically feasible and the results sustainable while on 

immunosuppression. As the surgical technique and management becomes defined, it is 

likely this modality of reconstruction will soon become another tier on the reconstructive 

ladder. 

The “Ideal” Material  
The goal of a tissue-engineered scaffold is to create a local three-dimensional 

environment that encourages cell and tissue regeneration. The ideal material for bone tissue 

engineering should mimic the natural biomechanical properties of native bone. The 

scaffold must promote bone cells to adhere, proliferate and generate their natural 

extracellular matrix. By definition, a material that contains these properties is 

osteoconductive. In addition, the scaffold should stimulate the bone healing process by 

recruiting immature cells and facilitating the differentiation of preosteoblasts; these 

properties make the scaffold osteoinductive [30].  

The craniofacial region is a complex mixture of bone, skin, muscle, cartilage, 

adipose tissue and other support tissues. As a result, there is a wide regional variation of 

mechanical properties within the craniofacial complex [31]. The scaffold is the source of 

the construct’s preliminary mechanical stability, and it should mimic the mechanical 

properties of the host environment. Given the complex nature of this region, the ideal 

scaffold should have spatially varying mechanical properties in order to best imitate the 

surrounding tissue. The diffusion of oxygen and other nutrients is critical to the survival of 

cells. As a result, a construct must contain an interconnected pore structure that contains 

pores that are a minimum of 100 μm in diameter [32]. Finally, the scaffold should be 
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biodegradable. That is, it should be designed to slowly resorb to allow for new tissue 

growth as the damaged tissue begins to heal.  

To summarize, it is essential that the tissue-engineered scaffold provide a three-

dimensional framework that encourages cellular growth and regeneration of the native 

tissue. There are a multitude of materials currently being investigated for these qualities in 

bone tissue engineering. The following section is only a snapshot of the current field and 

will focus on selected materials that are frequently used or have encouraging potential. A 

complete investigation into each type of material can be found in detailed studies and 

reviews elsewhere [31, 33-37].  

Scaffold Material  
The biomaterial selected for the bone tissue-engineered scaffold is a critical factor 

in the success of the device. As previously described, it must provide an environment that 

encourages cellular regrowth. Since there is a wide variation in the local cellular 

environment, the designer must pick a material that is designed best for that specific 

situation. Currently, oral and maxillofacial surgery utilizes a number of biomaterials that 

are approved for clinical applications. These materials can be broken down into two broad 

categories, the ceramics and the polymers. 

Calcium Phosphate Cements 

The most widely used ceramic products are mainly composed of calcium phosphate 

(CaP) cement. Due to its tremendous osteoconductivity and bone regenerative capacity, 

this biomaterial has demonstrated a large amount of success with craniofacial bone defect 

repair and regeneration [38]. Injectable CaP cements are an attractive option due to their 

ease of application and ability to be molded after injection [39]. However, since they are a 

ceramic-based biomaterial, the degradation is limited and the biomaterial is brittle [40]. 

The resorption of CaP cement can be significantly improved by the creation of macropores. 

When macropores are introduced into the CaP cement, a significant amount of new bone 

formation occurs as the CaP degrades [41]. Several types of biomaterials have been utilized 

in order to increase the porosity of CaP cement. One method is to introduce synthetic 

biodegradable polymer microspheres. Due to their long clinical history, (poly(D,L-lactic-

co-glycolic acid) (PLGA) microspheres have been incorporated into CaP cements. The 
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degradation of PLGA microparticles serves as a porgen, thus creating a porous CaP 

scaffold [42-45]. Additionally, the acidic environment created by the PLGA degradation 

favors the generation of brushite bone cement. This form of the CaP cement has drawn 

considerable attention due to an increased resorption rate compared to hydroxyapatite [46]. 

Natural polymers have also been applied for the fabrication of microparticles. Of the 

natural polymers, gelatin is especially notable due to the lack of an immune response. In 

addition, gelatin is completely resorbed under physiological conditions [45]. CaP-based 

scaffolds highlight the future potential of craniofacial tissue regeneration. However, one of 

their key limitations is the inability to control their degradation kinetics.  

Polymer-Based Scaffolds 

 Polymeric-based materials utilized for bone tissue engineering scaffolds can either 

be naturally occurring or synthetic. Several natural polymers, such as collagen, gelatin and 

hyaluronic acid, are approved by the FDA for use in clinical settings and are commonly 

used in oral and maxillofacial surgery. The degradation of natural polymers relies on 

enzymes present within the host tissue, such as collagenase. Due to this, the degradation 

kinetics are hard to predict and will vary depending upon the activity of that individual’s 

enzymes. Synthetic polymers that are biocompatible and biodegradable have several 

advantageous properties when compared to scaffolds composed of natural polymers. Since 

these polymers are synthesized in highly controlled reaction environments, their average 

molecular weight and size distribution can be varied. Thus, the designer has the ability to 

generate a material with reproducible and predictable characteristics, such as degradation 

kinetics and mechanical properties. As a result, the polymers can be tailored to match 

specific design criteria. Unlike natural polymers, degradation of synthetic polymers is by 

simple hydrolysis [47]. This eliminates the individual variation that is seen with enzymatic-

dependent degradation of natural polymers.  

There are numerous families of synthetic polymers that have been investigated for 

their application in craniofacial tissue engineering but the linear aliphatic polyester family, 

poly(glycolic acid) (PGA), poly(lactic acid) (PLA), and copolymers (PLGA), are utilized 

extensively in the clinical environment [48]. The degradation of these polymers is by 

hydrolysis of the polyester bond. The end result is either the production of lactic acid or 

glycolic acid. These end products can be cleared by normal metabolic processes and 
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expired as carbon dioxide. However, if the degradation rate exceeds the rate of clearance, 

a drop in local pH may occur that can result in cellular damage and potentially tissue 

necrosis.  

Another important aliphatic polyester is poly(ε-caprolactone) (PCL) that has been 

investigated extensively due to some of its unique properties. Compared to other aliphatic 

polyesters, PCL can form biocompatible blends and copolymers with a wide range of other 

polymers. The degradation time for the homopolymer is approximately two to three years 

[37]. However, generating a copolymer with other lactones decreases the degradation time. 

The copolymer and its concentration can be varied allowing the degradation rate to be 

precisely controlled. A polymer that has been developed and studied mainly for bone tissue 

engineering is poly(propylene fumarate) (PPF), an unsaturated linear polyester. Networks 

of PPF with the desired mechanical properties can be generated by using a cross-linking 

agent or by photoinitiation with ultraviolent light [49-51].  

In summary, there is an extensive collection of biocompatible materials that has 

been studied for their use in bone tissue engineering. This is a brief overview of the major 

classes of biomaterials and their potential in tissue engineering applications.  

Bioactive Factors 
In order for craniofacial bone regeneration to occur, there must be cellular growth, 

differentiation and proliferation. These processes are highly regulated by the cell and must 

be initiated by specific bioactive molecules. There are several types of bioactive molecules 

that serve a specialized role in various physiological processes. The various families of 

these soluble molecules have previously been described [52].  

Growth factors are peptides that communicate cell signals by binding specialized 

cellular receptors located on a target cell. Once the molecule is bound to its cellular 

receptor, intracellular cascades are initiated that act to alter various cellular processes. The 

cellular response elicited depends upon the growth factor, the cell type and the bound 

receptor [53]. In addition, a single type of growth factor can act on several different types 

of cells and generate an array of responses. Several growth factors have been investigated 

for their in vivo potential at regenerating oral and maxillofacial bone.  
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Bone morphogenetic protein (BMP) 

BMPs are a family of proteins which play a pivotal role in embryological 

development, skeletal osteogenesis, bone maturation and homeostasis within bone [54-57]. 

Since Marshall Urist’s initial discovery in 1965, over twenty different isoforms have been 

investigated for their osteoinductive potential [58]. In order to induce a response from the 

target cell, BMP must bind to a transmembrane serine/threonine protein kinase. These 

receptors are classified into type I and type II receptors [59]. BMP-2, BMP-4 and BMP-7 

are the only isoforms that have demonstrated in vitro success at stimulating de novo bone 

formation [60]. BMP’s osteogenic capacity is due to its ability to stimulate mesenchymal 

stem cells to differentiate towards an osteoblastic phenotype [33]. Only a small amount of 

BMP is needed for a sizeable generation of bone but delivery of this bioactive molecule 

must be highly controlled, since overstimulation by BMP-2 has substantial side effects 

such as bone overgrowth and disorganization [61]. Several biomaterials have been 

developed to control and sustain the delivery of BMP-2. Additionally, these materials serve 

to imitate the natural in vivo response of BMP-2 during bone regeneration [55, 60, 62-66]. 

BMP-2’s osteoinductive potential has shown a large amount of success in both 

ectopic and orthotopic bone healing and in long bone fracture healing in rats, rabbits and 

canines [67, 68]. The success of these in vitro studies catalyzed several clinical 

investigations utilizing recombinant human BMP-2 (rhBMP-2). In 2002, the Food and 

Drug Administration approved rhBMP-2 for use in spinal fusion. While the use of rhBMP-

2 in lumbar spinal fusion reduces the reoperation rate, operating time, and donor site 

morbidity, there is inconclusive evidence on whether BMPs are better than allografting 

alone [69]. Despite the unclear utility of BMP in lumbar spinal fusion, the use of BMP has 

been the focus of several clinical investigations for oral and maxillofacial reconstruction 

[70-73].  

Currently, the use of rhBMP-2 is approved for intraoral clinical applications and 

also for spinal fusion. However, there have been several clinical reports about the 

physician-directed use of rhBMP-2 for alveolar ridge augmentation, peri-implant bone 

regeneration, maxillary sinus floor augmentation, cranial vault reconstruction, mandibular 

reconstruction following tumor resection, and distraction-assisted alveolar cleft repair [74, 

75]. A review by Schliephake has examined the clinical efficacy of using BMPs in 
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craniofacial regeneration [76]. This systematic review identified 47 different clinical cases 

where BMPs were utilized to enhance craniofacial tissue regeneration. The review notes 

that there is an 87.2 % success rate for primary reconstruction of the mandible due to benign 

bone pathologies and up to 94.6 % of alveolar cleft cases can undergo successful bone 

regeneration [76]. Additionally, the review highlights the importance of an intact 

periosteum for successful regeneration with BMPs. While these clinical studies reveal the 

clinical potential of rhBMP-2 for larger defects, there is need for further investigation of 

small to medium craniofacial defects.  

Recently, BMP-2 has demonstrated preclinical success in the repair of peri-

implant defects in canines. Jung el al. [77] examined if loading a synthetic bone substitute 

(SBS) or polyethylene glycol hydrogel with recombinant human BMP-2 was more 

effective at regenerating bone for a peri-implant defect. The study revealed a statistically 

significant difference in the percentage of newly formed bone between the rhBMP-2 loaded 

materials and the control site at 8 weeks (10.75 % for SBS and 13.59 % for the hydrogel 

vs. 1.75 %). However, no statistical difference was seen in new bone formation between 

the SBS and hydrogel. This demonstrated that rhBMP-2 could enhance bone regeneration 

in critical size peri-implant defects irrespective of the carrier material.  

Platelet derived growth factor (PDGF) 

Platelet derived growth factor (PDGF) is a polypeptide dimer with a molecular 

mass of 30 kDa [78]. It exists as three isoforms, two homodimers (PDGF-AA and PDGF-

BB) and one heterodimer (PDGF-AB). Originally, PDGF-BB and PDGF-AB were isolated 

from platelets; however, further investigation has successfully isolated PDGF-AA from 

bone tissue. PDGF-BB and PDGF-AB are systemically circulating within platelet granules 

while quiescent osteoblastic cells produce PDGF-AA [56]. It was demonstrated in 1989 

that rat osteoblastic tissue increases DNA synthesis and mitosis activity in response to 

PDGF. Secondary to this effect, osteoblastic cells were noted to have an increased rate of 

collagen synthesis. However, PDGF increased the rate at which collagen was degraded 

[79]. Numerous studies have since sought to gain a better understanding of this bioactive 

molecule and its possibilities for craniofacial tissue regeneration. Much like the research 

into BMPs has been focused around BMP-2, PDGF-BB is the only isoform evaluated in 

clinical cases. Interestingly, the majority of clinical literature examines the utility of 
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rhPDGF for periodontal regeneration. A review by Kaigler et al. covers several case series 

where β-TCP was impregnated with rhPDGF for periodontal and peri-implant 

regeneration, highlighting the potential advantage rhPDGF can give to clinicians in treating 

challenging periodontal lesions [80]. However, Kaigler notes the need for further 

investigation with larger clinical trials [80].  

The clinical investigation into recombinant human growth factors has been largely 

centered on BMP-2 and PDGF-BB. The following sections will highlight other potent 

growth factors that have limited clinical data but have demonstrated a promising potential 

in preclinical investigations.  

Transforming growth factor-beta (TGF-β)  

The transforming growth factor-beta (TGF-β) family is composed of several 

isoforms that are critical for regulating a wide range of processes such as cell 

differentiation, resolution of the inflammatory response and wound healing [81]. TGF-β’s 

activity is mediated by a transmembrane heterodimer receptor. Upon binding to TGF-β, 

the receptor activates an intracellular protein cascade that upregulates target gene 

expression. Three isoforms, TGF-β1, TGF-β2, and TGF-β3, have been successfully 

isolated from bone and platelets [82]. Of the three isoforms, TGF-β1 has been shown to 

induce new bone formation in non-human primates if in proximity to bone. However, 

unlike BMP-2, TGF-β1 is unable to induce bone formation at ectopic locations [83]. 

Specific to oral and maxillofacial regeneration, TGF-β1 modulates bone cell metabolism 

and induces neovascularization [56]. In vivo, the extracellular matrix stores TGF-β1. Upon 

enzymatic cleavage of the disulfide bonds, TGF-β1 is released and can act upon other cells 

[84]. Thus biodegradable carriers for this growth factor would closely mimic the natural 

release of TGF-β1.  

Lee et al. [85], recently examined the effect of combining rhBMP2, vascular 

endothelial growth factor (VEGF) and rhTGF-β1 with CaP cement on bone regeneration 

in a critical-sized cranial defect rodent model. Although at 24 weeks there was a 

statistically significant difference in the percentage of newly formed bone with the 

rhBMP-2 and rhTGF-β1 treated defects versus the CaP Cement alone (38.8 % for rhBMP-

2 alone, 31 % for rhTGF-β1/rhBMP-2 and 12.7 % for the CaP cement control), the addition 

of rhTGF-β1 did not significantly increase new bone formation over rhBMP-2 alone. Yet, 
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Simmons et al. [86] investigation into dual growth factor delivery revealed that the addition 

of TGF-β1 and BMP-2 significantly improved the regeneration of bone compared to only 

BMP-2. The differing results serves to highlight the importance to further study the role 

TGF- β1s in craniofacial tissue engineering.  
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Fibroblast growth factor (FGF) 

This family of growth factors is composed of polypeptides that are capable of 

binding heparin. These bioactive molecules mediate a diverse array of physiological 

activities ranging from promoting cellular division, angiogenesis, would healing and 

cellular differentiation [87]. The importance of FGF for bone formation is exemplified by 

achondroplasia. In this condition, a single activating point mutation in the FGF receptor 3 

(FGFR3) results in a diminished capacity to perform endochondral ossification [88]. 

Within this family, FGF-2 is the most widely studied and utilized for bone regeneration 

purposes. FGF-2 does not have the ability to regenerate bone alone. However, it plays an 

important role in normal bone repair. FGF-2 has been used in various orthopedic settings 

[87].  

Insulin-like growth factor (IGF) 

This group of growth factors exists as a single chain of seventy amino acids and 

exhibits a similar structure to that of pro-insulin [56]. Two isoforms, IGF-I and IGF-II, 

have been isolated from mammalian tissue. However, human osteoblastic cells mainly 

synthesize IGF-II [89]. The physiological activity is mediated through the IGF-I receptor, 

which is a tyrosine kinase receptor. This receptor has the strongest affinity for IGF-I. Both 

of these polypeptides play an integral role in the proliferation of osteoblasts and 

chondrocytes [57]. Interestingly, BMP-2 induces increased synthesis of IGF-I and IGF-II 

in rodent osteoblastic tissue. Additionally, it may serve to increase osteoblastic cells within 

the osteon [89]. While little is known about human IGF-II regulation, Knutsen et al. 

showed that in osteosarcoma cells an increased level of BMP-7 significantly increased the 

production of IGF-II and alkaline phosphatase [90]. As previously mentioned, the 

mechanical properties of the tissue are critical for bone regeneration. To this point, 

increases in mechanical stress result in increased in vitro osteoblastic tissue proliferation 

secondary to increased levels of IGF-II [91].  

The development of recombinant human IGF-I has sparked several preclinical and 

clinical models based on its clinical utility. However, only few studies have examined the 

effect of IGF-I alone. In one study, the efficacy IGF-I to induce bone regeneration in critical 

size calvarial defects was investigated. IGF-I was systemically administrated and resulted 

in total reconstitution of the calvarial defect [92]. Despite the potential demonstrated by 
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this study, a significant portion of the literature explores the dual effect of IGF-I and PDGF. 

A review by Alvarez et al., covers several preclinical animal studies where IGF-I and 

PDGF were used in the regeneration of periodontal tissue. This review notes that the dual 

delivery of IGF-I and PDGF significantly improved de novo bone formation in canine 

animal models [93]. However, the amount of pre-clinical literature concerning this growth 

factor remains small. 

The use of growth factors to enhance or accelerate bone regeneration has the 

potential to enhance the current treatment of several pathological conditions. Due to this, a 

large amount of research has explored the use of bioactive molecules for bone and 

craniofacial regeneration. Although our knowledge of bone biology has revealed that there 

are numerous growth factors critical to bone regeneration, only a handful have been applied 

in the clinical setting. Additionally, when growth factors are utilized for human studies, 

concentrations far exceeding their natural levels are needed to achieve similar 

osteoinductive results as seen in animal models. The supraphysiological amount of 

exogenous growth factors may have detrimental implications. Currently, BMP is 

increasing our knowledge into the potential adverse events associated with growth factors 

[94-97]. In addition, these supraphysiological concentrations may prove too costly when 

compared to alternative tissue engineering techniques. However, as technology for the 

production of biologically active recombinant human proteins improves, the cost will 

decrease.  

Gene Delivery  
The drawbacks associated with the use of exogenous growth factors delivery have 

sparked interest into the use of gene therapy to stimulate the endogenous synthesis of 

bioactive molecules. In this technique, exogenous genes for a specific soluble factor are 

delivered to a target cell population. Successfully transfected cells will constitutively 

synthesize and secrete the target protein into their local environment. This methodology 

potentially reduces the current diffusion and degradation limitations associated with 

exogenous growth factor delivery [98]. In order for gene therapy to successfully transfect 

a cell, the desired gene must be able to integrate into the target cell’s genome, the target 

cell must be capable of transcribing the coding gene sequence into mRNA, and finally the 

target cell must be able to translate the mRNA into a physiological active protein. Oral and 
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maxillofacial tissue regeneration has successfully transferred DNA utilizing viral [99] and 

non-viral vectors [100].  

In order for viruses to be infectious they must successfully deliver their genetic 

material to the target cell. Tissue engineering employs viral vectors for their inherently 

efficient delivery techniques. One of the major disadvantages to this method is the public’s 

misconceived notion that all viruses are dangerous [20]. While the viral proteins can trigger 

an immune response, several techniques have been developed to minimize this reaction 

[98]. The ideal tissue engineering viral vector has yet to be identified or developed. Several 

viruses have been utilized in craniofacial tissue engineering. The most commonly applied 

viral vectors are retroviruses, adenoviruses, adeno-associated virus, and lentivirus [101]. 

Constructs loaded with retroviruses integrate well into the target cell’s genome and 

generate a weak immunological response. However, few studies have investigated the use 

of retroviruses due to the potential of activating the transcription of an oncogene [98].  

Adenoviral vectors can efficiently transfect mitotically active and quiescent cells. 

These vectors are suited for the short-term delivery of genetic information. In addition, 

they can be produced in high titers making them more cost-effective. The biggest drawback 

is the robust immunological response the host generates against this vector. In addition, 

most recipients have previously been exposed to adenovirus and thus would render the 

viral delivery ineffective. Despite these drawbacks, adenovirus-mediated BMP-2 synthesis 

to regenerate craniofacial defects has been reported in the literature. Sun et al. [102] 

described the use of adenovirus-induced BMP-2 production to repair mandibular defects 

in rabbits. In this study, periosteal-derived cells were successfully transfected with 

adenovirus coding for the rhBMP-2 gene. Bone and cartilage tissue were measured at 4, 8, 

and 12 weeks. At all three time points, there was a statistically significant increase in the 

percentage of new bone formation for the adenovirus-modified defect as compared to the 

defect with a tissue engineered bone graft (30.2 % for the adenovirus-modified vs. 23.4 % 

for the unmodified tissue engineered bone at 12 weeks). Although viral vectors have shown 

promising potential in vivo, the concern over their current drawbacks has guided the 

discovery of non-viral based vectors.  

Despite a great diversity in techniques, the majority of non-viral gene therapy is 

performed with DNA plasmids [100]. DNA plasmids are small, circular double-stranded 
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DNA that can easily be fabricated within bacteria. These immunogenic structures are able 

to transfect target cells with much larger genes. While DNA plasmids address many of the 

potential problems associated with viral vectors, their in vivo transfection efficiency is 

reduced. Additionally, the DNA plasmid must successfully cross the cell membrane 

without altering the coded information. Several approaches, such as lipoplexes and 

polyplexes, assist the entry into the target cell and prevent enzymatic degradation of the 

DNA plasmid. Specifically, lipoplexes are a modality for the delivery of genetic 

information by non-viral vectors that have been applied to tissue engineering. Lipoplexes 

promote cDNA uptake by stimulating endocytosis [100]. These carriers have successfully 

been used to stimulate the development of bone-like cells [103]. However, this modality 

can destabilize cell membranes if local concentrations are sufficiently high. Another 

promising non-viral gene therapy modality is to utilize a biodegradable tissue engineering 

scaffold to transfect the target cell population.  

In order for a biodegradable polymer to be used, it must be positively charged, thus 

neutralizing the negatively charged cDNA and encouraging endocytosis [100, 101]. The 

utilization of biodegradable scaffolds to transfect cells by non-viral gene therapy has been 

reported in the literature. Loozen et at. [104] utilized a porous bioprinted biodegradable 

scaffold as a gene delivery system. The rhBMP-2 cDNA plasmid was successfully 

integrated into the target cells and induced cellular differentiation towards the osteoblastic 

lineage. In addition, the transfected cells showed a statistically significant increase in BMP-

2 production after 14 days compared to the non-transfected cells despite no in vivo bone 

formation after six weeks. This highlights that bioprinted constructs may possibly serve as 

a gene delivery system, but there is still need for further investigation into this technology.  

Mesenchymal and Adipose Derived Stem Cells 
All the techniques discussed thus far have not employed the use of cells within the 

scaffold. Instead, optimization of the local environment encourages native cells to populate 

the scaffolds and promote tissue regeneration. The success of these strategies is largely 

dependent upon the tissue’s regenerative capacity. Some pathological insults or clinical 

treatments may hinder the defect’s healing capacity. In order to circumvent this constraint, 

several craniofacial tissue engineering strategies utilize cell-seeded scaffolds.  
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Mesenchymal stem cells (MSCs) are well known for their intrinsic ability to 

differentiate into several tissue types such as bone, cartilage, muscle and adipose [105]. 

They are relatively easy to expand in culture and can be harvested from a number of 

autologous locations without significant donor site complications [106]. Due to these 

advantageous properties, numerous in vitro studies have investigated the application of 

MSCs for bone and cartilage tissue engineering [101, 107-110]. Specific to oral and 

maxillofacial tissue engineering, MSCs have been shown to enhance de novo bone 

formation and healing when utilized with synthetic and ceramic scaffolds [111, 112]. A 

review by Zhang et al. [113] covers the current clinical application  and impact of MSCs 

in craniofacial tissue engineering. This manuscript demonstrates the important role MSCs 

may one day play in craniofacial regeneration. However, the review stresses the need to 

better understand the mechanism MSCs play in defect regeneration and the potential long-

term adverse effects. 

The successful identification of mesenchymal stem cells within adipose tissue has 

led to an abundance of research into adipose derived stem cells (ASCs). ASCs have not 

been widely investigated within oral and maxillofacial regeneration but several clinical 

studies have demonstrated the clinical potential of ASCs in treating traumatic and 

congenital craniofacial defects. To highlight a few of these clinical cases, autologous ASCs 

were applied with autologous fibrin glue to a repair a 120 cm2 calvarial defect [114]. At 

three months, CT evaluation revealed marked ossification of the defect. In another study, 

an adolescent boy with Treacher Collins syndrome was treated with a combination of 

ASCs, BMP-2, bone allograft and periosteum [115]. At 4 months, CT scan reveled 

complete bilateral reconstruction of the patient’s zygomas with no ectopic bone formation.  
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Conclusions 
Over the past two decades there has been a substantial amount of progress in tissue 

engineering. Currently there are numerous laboratory methods to regenerate oral and 

maxillofacial tissue. In addition, recent advances in tissue engineering strategies and 

techniques have demonstrated an increased efficacy. However, several hurdles must be 

over come in order for these laboratory fabrication modalities to be translated into clinically 

relevant product. Some of these issues that future investigations must aim to understand is 

how a suitable population of cells can be identified and harvested that fulfill the 

physiological role of the native tissue, how exogenously or endogenously supplied growth 

factors can best support cellular differentiation and reproduction, and the role the 

microvasculature plays in tissue regeneration. As our ability to simulate physiological 

microenvironments increases, it is essential that our understanding of adverse events, such 

as infection, must improve. Scaffolds with antimicrobial drugs demonstrate the importance 

of the collaborative effort that must exits between the clinicians and the engineers. Thus, 

the future of craniofacial tissue engineering depends on the ability of the clinicians and the 

engineers to communicate together.
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Chapter 4 

Immunomodulatory Properties of Stem Cells 
and Bioactive Molecules for Tissue 

Engineering3 

Abstract  

The immune system plays a crucial role in the success of tissue engineering 

strategies. Failure to consider the interactions between implantable scaffolds, usually 

containing cells and/or bioactive molecules, can result in rejection of the implant and 

devastating clinical consequences. However, recent research into mesenchymal stem cells, 

which are commonly used in many tissue engineering applications, indicates that they may 

play a beneficial role modulating the immune system. Likewise, direct delivery of bioactive 

molecules involved in the inflammatory process can promote the success of tissue 

engineering constructs. In this article, we will review the various mechanisms in which 

 
3 This chapter was published as E.R. Molina*, B.T. Smith*, S.R. Shah, H. Shin, and A.G. Mikos, 
“Immunomodulatory Properties of Stem Cells and Bioactive Molecules for Tissue Engineering,” 
J. Controlled Release, 219, 107-118 (2015). 
* denotes equal contribution  
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modulation of the immune system is achieved through delivered bioactive molecules and 

cells and contextualize this information for future strategies in tissue engineering. 

Introduction  
The canonical tissue engineering paradigm encompasses a combination of scaffold, 

cells, and bioactive factors to regenerate injured or diseased tissues. While many efforts 

have focused on the implantation of the particular tissue cell type in order to encourage 

tissue growth, delivery of progenitor cells has also become a common theme in tissue 

engineering strategies. More recently, as the importance of the local environment 

surrounding regenerating tissue has become increasingly recognized, attention has turned 

to how the immune system can be manipulated to serve the goals of implantable scaffolds, 

particularly with regards to suppressing the rejection of foreign bodies and enhancing the 

integration of scaffolds with native tissue. To this end, this review focuses on the potential 

implications of mesenchymal stem cell and immunological bioactive factor delivery on the 

success of tissue engineered constructs and emphasizes how they may be leveraged to 

move the field towards the goal of healing large tissue defects. 

The Mesenchymal Stem Cell: Definition and Inherent Properties 
The mesenchymal stem cell is defined broadly by the International Society for 

Cellular Therapy (ISCT) by minimal criteria:  (1) the MSC must be plastic-adherent in 

standard culture, (2) the MSC must express CD73, CD90 and CD105 with absence of 

CD45 and CD34 among others, and (3) the MSC must be able to differentiate in vitro to 

osteoblasts, chondroblasts, and adipocytes [116]. There are numerous sources for the 

collection of MSCs including the bone marrow, adipose tissue, peripheral blood, dental 

pulp and various neonatal tissues each with slightly varying phenotype reviewed in Haas 

et al. 2011 [117]. Their usefulness in tissue regeneration is punctuated not only by their 

differentiation capacity but by their low immunogenicity. MSCs exhibit low levels of major 

histocompatibility complex (MHC) I and II, and are negative for surface markers CD40, 

CD80, and CD86, which are necessary for antigen presentation and co-stimulation of 

lymphocytes and allow these cells to generally evade host immune systems [118].  
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Mesenchymal Stem Cells as Potent Immunomodulators for Tissue 
Engineering 

The manipulation and delivery of cells for tissue regeneration arguably marked the 

inception of the field and has become a common strategy employed in tissue engineering. 

Delivery of cells can be achieved through injection or implantation of devices composed 

of natural or synthetic materials. Delivered cells can be used to replace injured or damaged 

cells, to serve as progenitors to mature cells, or to secrete trophic factors that stimulate the 

local environment. More recently, the role of delivered cells in the modulation of the 

immune system has become a central point in the development of tissue regeneration 

strategies. Multiple studies have shown that mesenchymal stem cells (MSCs) can be used 

for both regeneration of tissues and modulation of immune response in diseases such as 

multiple sclerosis (MS), graft-versus-host disease (GvHD), and solid organ transplant 

rejection. There are currently 210 open and ongoing pre-clinical and clinical studies 

investigating the various roles of MSCs in potential therapies in immune therapy available 

on the National Institutes of Health registry. The immunomodulatory effects of MSCs, 

especially in concert with other immune cell types, hold incredible promise for the 

advancement of regenerative medicine and tissue engineering, and most studies on 

immunomodulation by delivered cells involve MSCs.  

  MSCs have long been studied for their regenerative potential in tissue engineering 

applications. More recently, MSCs have been examined for their low immunogenicity, 

immune masking properties, and immunomodulatory capabilities, including both immune 

stimulation and immunosuppressive effects, which have been the subject of extensive 

review [119, 120, 121 ]. In the realm of tissue engineering, their intrinsically low 

immunogenicity makes them attractive candidates for “off the shelf” products that 

incorporate allogenic cells for tissue engineering [118].  

The immune system plays a critical role in the reorganization of tissues following 

injury. Delivered cells have aided in the repair of ischemic tissue through modulation of 

immune environments to facilitate not only repair of tissues, but also augmentation of 

vasculature remodeling through trophic effects [122-125]. In the majority of cases, such as 

those involving injury to the nervous system [126, 127] or myocardial infarction (MI) [128, 

129], MSCs have been championed for their ability to reduce inflammation and tissue 
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damage. In other cases, however, enhanced immune response in damaged tissue is 

beneficial for overall vasculature remodeling, a critical component of any tissue engineered 

graft [130, 131].  

MSCs exert effects on both the innate and acquired immune systems with profound 

implications for not only monocyte differentiation and macrophage response but also in 

the behavior of T and B lymphocytes. Moreover, these immune cells in turn modulate the 

expression profiles and behavior of MSCs, painting a dynamic picture of complex crosstalk 

between cells of the immune system and MSCs with broad implications for the fields of 

regenerative medicine and tissue engineering. Figure 8 summarizes the effects of MSCs on 

the different cell types in both the innate and adaptive immunity. The majority of efforts in 

regenerative medicine have been in pursuit of hard tissue regeneration; accordingly, studies 

of immunomodulation in tissue engineering have largely been contextualized with hard 

tissues. As such, this review will focus on hard tissue engineering strategies primarily and 

will address some soft tissue applications.  
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Figure 8. Summary of effects on immune cell types in the innate (A) and acquired immune 
systems (B). Green denotes increased expression and red denotes decreased expression. 

 

MSCs and the Innate Immune System 

NK cells and MSCs 

Natural Killer (NK) cells are a critical element of the innate immune system and 

make up about 10 to 15% of peripheral blood lymphocytes. They are principally involved 



  

 48 

in the destruction of viral and tumor afflicted tissues as they kill without MHC I restriction, 

thus giving them the name ‘natural killers’ [132]. 

MSCs can inhibit the proliferation of NK cells and alter their cytokine release 

profiles. In vitro evaluation of co-cultured MSCs and NK cells shows that while NK cells 

are able to kill allogenic MSCs, MSCs also inhibit the interleukin-2 (IL-2) mediated 

proliferation of NK cells [133]. The lethality of NK cells is substantially reduced if MSCs 

are primed by IFN-γ, as they would be in an inflammatory environment. MSCs express 

low levels of MHC I in vivo, allowing them to avoid cytotoxic T lymphocytes (CTLs) 

[118]. However, in response to IFN-γ, MSCs downregulate NK receptors and upregulate 

MHC in order to avoid being killed by NK cells [132, 134]. This phenomenon emphasized 

the need for MSCs to be activated in an inflammatory environment in order to begin 

modulating the immune system, a theme in many studies involving other aspects of the 

immune system [134-137].  

The complex interactions between MSCs and NK cells highlight the importance of 

understanding the time dependent effects of MSC administration in vivo, as has been 

explored for hematopoietic stem cell transplantation [134]. MSCs strongly inhibit the 

proliferation of resting NK cells but only partially inhibit the proliferation of NK cells that 

have already been activated by IL-2. Activated NK cells have the ability to kill allogenic 

MSCs, which may reduce the efficacy of any MSC-centric treatment. This effect was found 

to be the result of three soluble factors secreted by MSCs: indoleamine2,3–dioxygenase 

(IDO) and prostaglandin E2 (PGE2) and transforming growth factor-β (TGF-β) [134 ].  

Together these studies present a complex dialogue between NK cells of the innate 

immune system and MSCs. MSCs have obvious modulation potential in altering NK 

response, but any tissue engineering approach will have to consider timing and the 

inflammatory milieu in order to adequately predict NK behavior in future approaches to 

tissue regeneration.  

Dendritic Cells and MSCs 

Dendritic Cells (DCs) are specialized, phagocytic antigen presenting cells that 

serve as a liaison between the innate and adaptive immunities in mammals by helping to 

activate T and B lymphocytes. They are derived from peripheral blood monocytes and take 
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on specific characteristics upon activation that allow for the activation of acquired immune 

system responses [138]. 

MSCs exert their effects on DCs through secreted, soluble factors as well as cell-

cell contact signaling, possibly involving Notch signaling [139-141]. In vitro experiments 

have shown that MSCs inhibit the differentiation of CD34+ and monocyte progenitors to 

DCs [142]. MSCs also reduce the expression of costimulatory molecules on immature DCs; 

MHCII, CD40, CD83 and CD86 are downregulated and upregulation of HLA-DR is 

attenuated [142, 143]. These effects are mediated by IL-6 and granulocyte macrophage 

colony-stimulating factor (GM-CSF) which potently inhibit differentiation of DCs and, in 

the case of IL-6, can switch differentiation potential of monocytes toward the macrophage 

phenotype [144, 145]. Another report suggests PGE2 and not IL-6 is the main soluble 

mediator in the arrest of DC maturation in vitro [141]. The addition of a PGE2 inhibitor to 

the culture restored DC maturation with no effect on IL-6 production [141]. These reports 

suggest that MSCs can have a profound effect on early stages of DC maturation through 

paracrine and contact effects.  

Because DCs are not the main cell of the innate immune system responsible for 

phagocytosis, the effects of MSCs on DCs largely reflect the indirect effect of MSCs on T 

and B-cell stimulation [138]. Chronic solid organ rejection is due in large part to cell 

mediated immunity and the dendritic cell is a critical component of the activation of this 

response [146]. This attenuation of DC maturation and subsequent loss of DC stimulatory 

molecules including secreted factors emphasizes the role of the MSC in the abrogation of 

the link between innate and acquired immunities, which could be extremely beneficial for 

regenerative applications if exploited appropriately. In the future, these 

immunomodulatory effects could obviate the need for life long immunosuppression if 

tissue engineering constructs were to involve allogenic material, as has begun to be studied 

in the context of regulatory T-cell (Treg) and anergy induction through dendritic cells in 

islet transplantation [147]. 

Macrophages and MSCs 

Macrophages are monocyte derived, phagocytic cells that function as part of the 

innate immune system and serve to facilitate clearance of damaged and diseased areas in 

tissue and also aid in the complex remodeling as these tissue begin to heal. The polarization 
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paradigm between pro-inflammatory macrophages (M1) and wound healing macrophages 

(M2) highlights how macrophage response is a balance between two opposing phenotypes. 

This phenomenon is of great interest to the field of regenerative medicine and has been the 

subject of extensive reviews [148, 149]. Macrophages are in large part responsible for the 

well-understood foreign body reaction (FBR), which is a substantial hurdle in tissue 

engineering and implantable medical devices in achieving biocompatibility [150, 151]. 

Briefly, FBR is dependent on monocyte/macrophage chemotaxis, signaling through 

integrins, and ultimately the mannose receptor and soluble factors, including IL-4 and IL-

13, to induce fusion into foreign body giant cells that mediate the inflammatory reaction, 

reviewed in Anderson et al. [150]. The foreign body is essentially sequestered by adherent 

macrophages and foreign body giant cells. 

The FBR can be modulated by a wide variety of factors including biomaterial 

composition and surface topography of implanted devices [152]. Likewise, for MSCs, the 

morphology, stem cell character and, more recently, the immunomodulatory properties on 

macrophages can be affected by topography and material surface properties. MSCs co-

cultured with THP-1 cells, a monocytic cell line, in porous ECM structures showed 

increased secretion of anti-inflammatory cytokines PGE2 and TSG-6 and decreased 

secretion of pro-inflammatory cytokines IL-6 and MCP-1 over two-dimensional adherent 

controls. Furthermore, the authors showed a reduction in TNF-α and increase in IL-10 

secretion from monocytes which was accompanied by an attenuation of monocyte 

migration [153].   

Activation of the pro-inflammatory M1 type through Toll-Like receptors assists in 

the activation of inflammatory cytokines in response to injury [154 Toll-like receptor-4]. 

The temporal relationship between early predominance of inflammatory M1 macrophage 

response and the late predominance of wound healing M2 macrophage response is a 

delicate balance. The inflammatory state is required for clearance of debris and eradication 

of potential infections; conversely, the M2 response is required for ultimate resolution of 

the injury [155, 156]. It is often the case that prolonged inflammation leads to excess and 

unnecessary tissue damage before the tissue is, often inadequately, regenerated. 

Biomaterial properties alone can affect macrophage polarization [148, 155]. Taken 

together, choice of biomaterial and encapsulation with immunomodulators such as MSCs 



  

 51 

are of paramount importance when considering the modulation of the immune response 

effectively from pro-inflammatory to wound-healing. 

Recent studies have shown the effects of MSCs in the modulation of macrophage 

phenotype and surface marker profile. Hydrogel scaffolds are attractive in tissue 

engineering applications since they are generally easily fabricated, can be made to have 

low immunogenicity, and can support delivered or native cell proliferation and 

differentiation. In one study, MSCs encapsulated within hyaluronic acid hydrogels exerted 

effects on CD14+ peripheral blood monocytes in a co-culture system causing them to adopt 

a less inflammatory macrophage profile with high CD206 and low CD16 and HLA-DR 

expression [157]. In a poly(ethylene glycol)-gelatin (PEG-Gelatin) hydrogel scaffold, it 

was shown that MSCs could increase IL-6 and IL-10 expression while down regulating 

TNF-α and IL-12 in macrophages which is favorable for wound resolution [158]. In PEG 

hydrogels encapsulating MSCs, co-culture with macrophages stimulated by 

lipopolysaccharide (LPS) caused the downregulation of pro-inflammatory cytokines IL-6 

and TNF-α and an upregulation of the enzyme arginase. Arginase is required for the 

conversion of arginine to ornithine and the subsequent production of collagen, and its 

expression within macrophages is indicative of a wound-healing phenotype [136]. This 

effect was likely mediated by PGE2 as treatment with a COX2 inhibitor partially recovered 

TNF-α expression in macrophages indicating a more inflammatory phenotype. In vivo, it 

was observed that the fibrotic response in FBR to the hydrogel constructs with encapsulated 

MSCs was partially attenuated, but this phenomenon was progressively lost as MSCs were 

further differentiated into an osteogenic lineage [136]. 

The effect of delivered stem cells on the local immune environment apart from their 

trophic effects has been studied within the context of myocardial infarction and vascular 

remodeling. Dayan et al. showed that MSCs were able to increase the activation of M2 

macrophages while suppressing M1, pro-inflammatory macrophage activation possibly 

through an IL-10 mechanism in a mouse model for MI [128]. At 3 days, the proportion of 

CD206+ monocytes increased while overall levels of macrophage/monocyte derivative 

infiltration decreased strongly suggesting an anti-inflammatory effect of MSCs in the acute 

phase following MI. Another study showed that embolized MSCs in the lung following 
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acute MI secreted anti-inflammatory cytokines that reduced the severity of MI in a mouse 

model [129]. 

MSCs have also been investigated for their immunomodulatory effects on 

macrophages following acute spinal injury. Nakajima et al. demonstrated that in an acute 

spinal cord injury (SCI) model in rats, injected MSCs did not differentiate but instead 

supported the generation of M2 macrophages over M1 macrophages via increases in IL-4 

and IL-13 with concurrent decreases in TNF-α and IL-6. This modulation led to better 

functional outcomes and corresponded with better histological outcomes for myelin 

sparing, scar formation and axon preservation [127]. Barminko et al. sought to immobilize 

MSCs via encapsulation in alginate beads for increased cell viability following injection in 

the spinal fluid post SCI [126]. The investigators believed that suspension could increase 

cell viability, decrease the number of cells needed for therapeutic effect and increase the 

immunomodulatory potential by using 3D culture [159]. Indeed, the investigators used 

orders of magnitude fewer cells than studies not using encapsulation and also observed a 

similar upregulation in CD206+ macrophages [160].  

The role of macrophage polarity is also of paramount important in skin wound 

healing through the classical sequence of events of cutaneous repair, reviewed by Brown 

et al. [148] Multiple studies involving MSCs derived from various sources have shown that 

enhanced cutaneous wound repair can be achieved with MSCs by polarizing macrophage 

response to M2. This effect was accompanied by an increase in IL-6 and IL-10 expression 

and a downregulation of TNF-α [161, 162].   

MSCs and acquired immunity 
MSCs and T-cells 

The role of MSCs in the immunomodulation of T-cell response of most subtypes 

of T-cells has been extensively documented [121, 163]. In general, their effects can be seen 

as immunosuppressive as they modulate T-cell response from an inflammatory to a 

quiescent, regenerative mode for effector (Th1 versus Th2 paradigm) and Tregs. However, 

their exact effect on the differentiation and generation of T-cells are subject to debate with 

conflicting studies. This may be a result of heterogenous populations used for in vitro 

assays [164].  
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Krampera et al. reported that MSCs cultured in vitro suppress proliferation of 

CD4+ and CD8+ cells as well as NK cells with no observable effect on B-cell proliferation 

[165]. Additionally, the investigators noted no production of FOXp3 transcription factor, 

indicating the generation of Treg cells, which is at odds with other studies [166-168]. 

The immunosuppressive effect of MSCs on T-cells likely includes soluble factors, 

cell-cell contact mediators, and cellular crosstalk between MSCs and T-cells [135, 169, 

170]. Meisel et al. suggested that tryptophan depletion by IDO induced by priming MSCs 

with IFN-γ caused suppression of T-cell proliferation [169]. Another study suggested that 

nitric oxide (NO) produced by MSCs was involved in the suppression of STAT5 

phosphorylation in T-cells, subsequently halting proliferation [169]. That same study found 

that MSCs from mice lacking NO synthase had no suppressive effect when cultured with 

T-cells; inhibitors to IDO and TGF-β had no restorative effect on T-cell proliferation 

whereas a PGE2 inhibitor did.[169, 170] This may be due to interspecies variation for the 

roles of NO and IDO [171]. 

In addition to trophic effects and angiogenic properties of MSCs on islet cells that 

could potentially be of use in treating type 1 diabetes, the immunosuppressive properties 

of MSCs in graft survival have also been evaluated [172-174]. One study showed that the 

immunosuppressive effects on T-cells were mediated by specific metalloproteinases that 

reduced surface expression of CD25 on T-cells. This attenuated T-cell proliferation in vitro 

and, in an in vivo model for islet cell transplantation, prolonged survival of fully allogenic 

grafts [175]. Another study concluded that co-administration of MSCs and sub-therapeutic 

cyclosporine A, but not either alone,  induced an anti-inflammatory response largely 

mediated by IL-10 in a rat islet graft model [176]. Davis et al. encapsulated islet cells with 

MSCs in silk hydrogels with ECM and observed increased islet cell survival while 

attenuating the proliferation of splenocytes [172]. 

When primed by inflammatory markers such as IFN-γ, MSCs cultured in vitro with 

CD4+ peripheral blood mononuclear cells (PBMCs) showed the induction of an anti-

inflammatory cytokine profile including IL-3, IL-10 and IL-13, which are indicative of a 

Th2 response. Furthermore, there was strong downregulation of Th1 pro-inflammatory 

cytokine profile including IFN-γ, IL-1a and b, TNFα, and TNFβ [135]. In addition, MSCs 

were found to be able to inhibit IFN-γ release from Th1 cells and increase IL-4 production 
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in Th2 cells in vitro [166]. These results provide some explanation for the promising results 

of Le Blanc et al. who utilized MSCs as a treatment for GvHD [177]. 

In addition to skewing differentiation of T-cell progenitors toward a Th2 

phenotype, MSCs have been implicated in the production and recruitment of a subset of 

Tregs and in the induction of anergy [135, 178-180]. It has been suggested that MSCs effect 

this modulation via direct contact and expression of MHC II in the absence of co-

stimulatory molecules, as T-cell activation requires a two-signal process [135]. However, 

addition of costimulatory molecule B7 or anti-CD28 antibody to in vitro co-cultures of 

CD4+ T-cell progenitors and MSCs did not induce T-cell activation, suggesting that MSCs 

may be exerting their regulatory effect in a different manner [181]. Ultimately, T-cells 

generated under these conditions demonstrated a CD4+/CD25low/CD69low/FoxP3+ Treg 

profile. Soluble factors have also been implicated in modulation of this T-cell response; 

candidates include IL-10, hepatocyte growth factor (HGF), PGE2 and TGF-β [167, 181]. 

However, conflicting reports exist in which suppression of antibody blocking of these 

factors in vitro did not result in the attenuation of the generation of the anti-inflammatory 

phenotype. The exosome of MSCs had been shown to induce the Treg phenotype as well 

[182]. 

While CD4+ cells have been shown to upregulate FoxP3 and be modulated into a 

Treg phenotype, MSCs secrete a soluble factor that inhibits the formation of CTLs; 

however, MSCs had no effect on CTL activity once they had entered the cytotoxic phase 

[183]. Furthermore, although MSCs express low levels of MHC I, they do not activate 

allogenic CTLs and do not induce TNF-α or IFN-γ expression. This result indicates that 

not only are MSCs immune privileged in that they do not elicit CTL response but they also 

contribute to an immunosuppressed environment [184]. Prevosto and colleagues have 

demonstrated the generation of a regulatory CD8+ cell in response to co-culture with 

MSCs, although without upregulation of the traditional Treg marker FoxP3 [185]. 

Together, these studies indicate that MSCs are able to modulate the lineage and 

differentiation of CD8+ cells but probably do not play a role in suppression once they are 

active or in their effector state.  

Another study demonstrated that MSCs primed with IFN-γ and TNF-α enhanced 

the expression of CD54 in MSCs, facilitating CCL20 binding to pro-inflammatory Th17 
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cells and inhibiting their effect. Cord blood cells briefly cultured in Th17 differentiation 

conditions or Th17 cells collected from patients with inflammatory disease were utilized 

in MSC co-culture assays where it was observed that MSCs inhibited the secretion of pro-

inflammatory cytokines, IL-17, IL-22, IFN-γ, TNF-α, while upregulating IL-10. These 

effects are likely a result of soluble factors secreted by MSCs that are not differentiating; 

exosomes alone are enough to decrease T-cell proliferation and decrease IFN-γ production 

[136, 186]. This result could have implications for tissue engineered devices that may not 

require MSCs for immune modulation but only the contents of their exosomes or secreted 

factors.  

Additionally, FoxP3, which has been implicated in the specification of Treg 

differentiation, was upregulated in fully differentiated Th17 cells and accompanied 

immunosuppressive activity in vitro, suggesting that MSCs have an effect of making Th17 

cells more quiescent even after lineage specification [167, 187].  MSCs also have inhibitory 

effect on the differentiation of Th17 cells from naïve T-helper and on effector cells that is 

cell contact and prostaglandin dependent; downregulation of IL-17A and CD25 was 

observed in these cells cultured from CD4+ progenitors and from Th17 effector memory 

cells from a urinary obstruction model [188]. 

Aberrant T-cell responses have been implicated in many diseases such as GvHD, 

MS, rheumatic disease, and MSCs represent a promising avenue for therapy, extensively 

reviewed by Miguel et al. [189]. The modulation of T-cell response from pro-inflammatory 

Th17 and Th1 cells to a Th2 and Treg response could be invaluable for potential therapies 

in these diseases as well as for tissue engineering. While the majority of trials focusing on 

immunomodulation of T-cells have involved transplant rejection and systemic disease, 

these conclusions should be considered in the future of tissue engineering. Chronic 

rejection of foreign tissue is in large part mediated by T-cells, and long term grafts with 

allogenic material may be feasible in the future through immunomodulation with MSCs 

[146]. 

MSCs and B-cells 

Studies regarding the effects of MSCs on B-cells have been limited, and none have 

been performed with tissue engineering constructs. There have been differing results in the 

effect of MSCs on B-cells. One study using T-cell depleted PBMCs cultured with MSCs 
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indicated no effect on proliferation [165]. However, other studies indicate an arrest of B-

cell proliferation accompanied by an inhibition of B-cell differentiation, as evidenced by 

decreased production of immunoglobulin and decrease in chemotaxis [190, 191]. This 

difference can possibly be attributed to processing and isolation of B-cells from PBMCs as 

another study showed that the effect of MSCs on B-cells of both differentiation and 

inhibition of proliferation required the mediation of a CD3+ T-cell and that direct MSC to 

B-Cell contact was not necessary to cause the observed effect [164, 192]. Indeed, direct 

co-culture of MSCs with CD19+ B-cells had no effect on their proliferation [170]. 

MSCs as immune system activators: The other side of the coin 
While MSCs are attractive for therapies because of their immunosuppressive 

capabilities, activation of the immune system by MSCs in low inflammatory states where 

TNF-α or IFN-γ signaling is suboptimal or when MSCs were administered with other 

immunosuppressants has been reported [120, 193, 194]. 

An important soluble factor for the modulation of T-cell proliferation is NO 

produced by MSCs. However, it has been shown that when cytokine signaling is inadequate 

for the production of sufficient levels of NO, MSCs enhance T-cell proliferation in vitro 

and increase the delayed-type hypersensitivity response in a mouse model [120]. In human 

MSCs, a knockdown of IDO causes similar immune cell proliferation as seen in mouse NO 

synthase inhibition. These results are consistent with the result of Renner et al. in which 

pretreatment with MSCs contributes to the acceleration of solid organ transplant rejection 

in mice [195]. 

Additionally, the immune privileged, low MHC I phenotype of MSCs is quickly 

lost as the cells differentiate. This represents a problem in tissue engineering implants with 

heterogeneic cells including MSCs that will rapidly increase MHC I expression upon 

differentiation. Indeed, many studies report that the immune privileged phenotype only 

persists for a week [136, 157]. To combat that, some groups have begun to develop 

composite biomaterials for co-delivery of cells and immunosuppressants such as 

cyclosporine A loaded into PLGA microspheres within a polymeric framework [196]. 

Because MSCs play a dual role in enhancement or suppression of the immune 

system, further studies need to be performed to delineate the role of soluble factors and 

activation parameters for MSCs immunomodulation if MSCs are to be used in 
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transplantation or tissue engineering applications. Though MSCs have strong potential in 

immunosuppression, recent clinical trial failures for GvHD and failure of T-cell 

suppression in a mouse model [197] accompanied by reports of worsening disease should 

give basic science and clinical investigators pause before attempting to leverage immune 

properties of MSCs before they are well defined [177]. 

Delivery of Bioactive Molecules  
While the future of stem cells in tissue engineering looks bright, adequate control 

over stem cell differentiation and proliferation remains a major limitation in current stem 

cell based therapies. Biomaterials research has fostered the discovery of a variety of 

strategies that improve tissue regeneration. Many tissue engineering strategies involve the 

implantation of a biomaterial scaffold for delivery of bioactive substances to facilitate 

tissue regeneration. The implantation procedure compounded with foreign body reaction 

to the implanted scaffold cause local injury to vascularized tissues or organs and elicits an 

inflammatory response [198]. Historically, materials that are biologically inert were at the 

focal point of biomaterial research. However, by permitting and exploiting specific cellular 

responses to materials, a better integration and biomaterial performance can be achieved 

[198]. The immune system can be modulated by a wide variety of techniques such as 

surface modification of the biomaterial, generation of artificial extracellular matrix, and 

delivery of anti-inflammatory drugs from the biomaterial [198, 199].  The effect of 

biomaterial type, shape, and surface chemistry has been the subject of extensive review 

elsewhere [200, 201]. The following sections focus on the delivery of bioactive molecules 

with the goal of regulating the immune system to improve tissue regeneration.  

Delivery of Pro-inflammatory Cytokines 

 As previously discussed, pro-inflammatory cytokines have been shown to be 

intricately linked with the pathophysiology of several disease states such as osteoarthritis 

and MS [202, 203]. In the field of biomaterials, several pro-inflammatory molecules are 

well established mediators of the foreign body reaction [204]. However, the pathological 

consequences seen in these conditions are largely due to unregulated chronic exposure to 

inflammatory mediators. An acute inflammatory response results in the immediate 

recruitment of neutrophils and macrophages, which release a temporally and spatially 

varying “cocktail” of pro-inflammatory cytokines and growth factors.  As discussed 



  

 58 

previously, local elevation of several cytokines, including IL-1, IL-6, IL-11, IL-18 and 

TNF-α, are required to remove damaged or necrotic tissue, break down extracellular matrix 

proteins and stimulate angiogenesis [205, 206]. Again, it is critical that anti-inflammatory 

mediators follow these pro-inflammatory signals in order to prevent excessive 

inflammation and chronic inflammation [125]. Prolonged exposure to an environment rich 

in pro-inflammatory mediators leads to the formation of fibrotic scars, granulation tissue 

and increased formation of type I and III collagen [150].  It has been shown that a quick 

resolution (less than two weeks) to inflammation favors tissue regeneration and implant 

acceptance, while an unresolved inflammatory phase indicates therapeutic failure [207]. A 

thorough understanding of these bioactive molecules is critical for constructive tissue 

remodeling and regeneration [156].  Thus, the direct modulation of pro-inflammatory 

cytokines offers a new strategy that can further enhance tissue regeneration. Although the 

delivery of pro-inflammatory molecules is largely limited to the bench top due to the risk 

of systemic inflammation, these studies have revealed the importance of the modulating 

the initial pro-inflammatory response rather than circumventing the immune system.  

Tumor Necrosis Factor-α 

The TNF-α superfamily is composed of 19 different ligands that are critical for 

mediating a wide range of processes such as regulation of the immune system, protection 

against microbial infection, and immune surveillance [208]. In addition, TNF-α can 

promote apoptosis or cell survival, depending on the specific cell surface receptor 

activated [206]. During the initial acute inflammatory response, high levels of TNF-α are 

secreted, along with other pro-inflammatory cytokines such as IL-1 and IL-6, resulting in 

the infiltration of other inflammatory cells and initiating the process of angiogenesis [209-

211]. Intercellular adhesion molecule-1 (ICAM-1) and vascular cell adhesion protein-1 

(VCAM-1) are upregulated in order to enhance the recruitment of mesenchymal cells from 

the surrounding tissues [212]. Notably, recent studies have revealed that in the complete 

absence of TNF-α, osteogenic stem cell differentiation is delayed [213]. This is likely due 

to TNF-α stimulating the release of BMP-2 from neighboring osteoblasts and the activation 

of two stem cell receptors tumor necrosis factor receptors 1 and 2 [211, 212].  Within the 

initial 24 hours after injury, the local concentration of TNF-α reaches a maximum and 

returns to baseline at 72 hours [206]. During this interval, macrophages are a major 
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producer of this pro-inflammatory cytokine and this temporal pattern is believed to induce 

the release of other bioactive molecules that are critical for bone regeneration [206]. Zhou 

et al. revealed that blocking TNF-α signaling does not alter the acute inflammatory 

response; rather, it decreases mesenchymal and osteoprogenitor cell infiltration [214].  At 

post-injury day eight, daily treatment with a TNF-α antagonist resulted in a significantly 

decreased angiogenic response and production of FGF-2 compared to saline controls, yet 

it induced an increase in osteoblastic differentiation at the growth plate [214]. Conversely, 

a significantly increased fracture callus mineralization at 4 weeks was noted when daily 

local injections of TNF-α were administered during the first couple of days post-fracture 

[215]. These studies highlight the diverse actions of TNF-α that are dependent upon the 

microenvironment and regenerative mechanisms. Though few in vivo studies have been 

published it appears that TNF-α is a critical regulator of de novo bone formation and should 

be considered in future of bone tissue engineering and repair [216].   

IL-1 

 Both TNF-α and IL-1 are best known as acute phase mediators. The family of IL-1 

cytokines are intimately involved in innate and adaptive immune responses [217]. The 

effects of IL-1 on bone regeneration are largely similar to that of TNF-α. It is secreted in 

the same temporal manner initially. However, there is a second peak in local levels around 

post injury week three [206]. In vitro studies have shown IL-1 to promote osteoblastic 

proliferation, activate osteoclastic dependent bone resorption and inhibits differentiation of 

chondrocytes [218, 219]. While an in vivo study by Lange et al. revealed little influence of 

IL-1 on fracture healing [219]. Despite little influence on bone regeneration in vivo, in skin 

wounds IL-1 works in an autocrine manner to encourage keratinocyte migration and 

proliferation and activates fibroblasts to increase FGF-7 secretion [220]. Thus it helps to 

indirectly catalyze the re-epithelialization. However, high local levels of IL-1 for an 

extended time has an injurious effect on wound healing [220].  Additionally, Gorth et al. 

showed that the in vivo delivery of poly(lactic-co-glycolic acid) (PLGA) microspheres 

loaded with IL-1 antagonist attenuated IL-1β dependent intervertebral degeneration [221]. 

Although further investigation into the efficacy of cytokine-based therapy is needed, this 

underscores the future potential of modulating cytokine levels for the regeneration of 

damaged tissue.  
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IL-6 

Although IL-1 and TNF-α are known to be potent stimulators of the acute phase reaction, 

neither cytokine is able to induce the full spectrum of acute phase proteins alone [222]. It 

has been shown that IL-6 is required in order to generate the full acute phase spectrum 

[218]. Despite IL-6 being a powerful inducer of acute phase proteins, it has several anti-

inflammatory properties and pro-regenerative properties [223]. Local levels of IL-6 

influence the differentiation of osteoblast and osteoclasts, trigger secretion of vascular 

endothelial growth factor and thus trigger angiogenesis, and play both a neuroprotective 

and neurotrophic role in the central nervous system (CNS) after traumatic injury [224, 225]. 

Rozen et al. injected IL-6 and parathyroid hormone fragments in vivo for two weeks 

following bone fracture [226]. It was shown that the delivery of these factors significantly 

increased the mechanical properties of the fracture callus, and full healing was achieved 5 

weeks post-fracture [226]. In the area of skin wound healing, IL-6 deficient mice have been 

shown to have impairment in wound healing as compared to wild type controls [227]. 

While Lin et al. could not rule out that the reduction in inflammatory response was 

responsible for this finding, it is more probable that IL-6 mediates crucial aspects of 

proliferation and remodeling [227]. Even though there are a limited number of in vitro and 

in vivo studies into the local delivery of pro-inflammatory cytokines there is an increasing 

appreciation to the role these important mediators play on tissue regeneration. 

Delivery of Anti-inflammatory Cytokines  

Because the immune system has the potential to cause extensive and systemic secondary 

damage, biomaterials have been designed to evade or modulate the host’s immune 

response. These methodologies have been largely focused around limiting protein 

deposition by using materials that are immune-inert, altering the surface topology or by 

using surface coatings [199, 207]. Additionally, the use of systemic anti-inflammatory 

cytokines that modify the immune response have been utilized in order to dampen the 

inflammatory response. Clinical studies have previously investigated the inhibition of 

specific pro-inflammatory cytokines with biologics [228, 229]. However, this strategy 

leaves the host vulnerable to infection [207]. By using localized controlled delivery of 

soluble factors that can either create an anti-inflammatory microenvironment or influence 
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the infiltrating cell type, modulation of the local immune response can be tuned for more 

favorable tissue regeneration. 

Interleukin-10 

IL-10 is a family of Type II anti-inflammatory cytokines that includes IL-19, IL-

20, IL-22, IL-24, IL-26, IL-28, and IL-29 [230]. IL-10 was originally discovered as a 

bioactive molecule secreted from Th2 cells that blocks the activation and cytokine 

production from Th1 cells [231]. Further investigation has shown that IL-10 influences 

several important functions of macrophages and monocytes, inhibits the production of IL-

1β and TNF-α, and downregulates the expression of MHC class II and co-stimulatory 

molecules [232]. Additionally, IL-10 has been shown to play an integral role in scarless 

would healing [233]. Peranteau et al. investigated the effect of transfecting adult murine 

stromal cells to overexpress IL-10 on scar healing. It was shown that at 72 hours post-

injury, the stromal cells that overexpressed IL-10 failed to display any histological 

elements of scar formation and regained normal dermal architecture [234]. Recently, the 

localized delivery of IL-10 from PLGA scaffolds has been shown to modulate the cytokine 

production from leukocytes [235]. Gower et al. examined whether PLGA scaffolds seeded 

with an IL-10 encoding vector and implanted within the intraperitoneal fat of a murine 

model was effective at modulating the inflammatory response [235].  The study revealed 

that IL-10 delivery significantly decreased the number of leukocytes present within the 

scaffold. In addition, macrophages upregulated IL-10 secretion while dendritic cells, CD4+ 

T-cells and macrophages down regulated IFN-γ [235].  

As discussed previously, macrophages possess the unique ability to switch 

phenotype based upon cues present in the microenvironment (the M1 versus M2 paradigm) 

[149, 236]. IL-10 is a powerful stimulus for the induction of the M2c macrophage 

phenotype, which plays a major role in matrix deposition and tissue remodeling [237]. 

Additionally, M2c macrophages secrete soluble bioactive molecules such as TGF-β and 

platelet derived growth factor (PDGF) that are critical for the proper regeneration of native 

tissue [238].  In fact, PDGF derived from macrophages may be a critical source of this 

growth factor during tissue repair and regeneration [239]. Expanding upon this knowledge, 

Boehler et al. hypothesized that a sustained anti-inflammatory microenvironment would 

induce, retain and maintain an M2 macrophage response even when challenged with pro-
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inflammatory cytokines [240]. The study revealed that gene delivery of IL-10 stimulated 

the transition to an M2 phenotype [240]. Moreover, when IL-10 transfected cells were 

challenged with pro-inflammatory cytokines they maintained their M2 phenotype while 

macrophages treated with recombinant IL-10 protein quickly reverted to a pro-

inflammatory state [240]. This was characterized by significantly reduced levels of TNF-

α at day 6 in the lentiviral treated group when compared to the recombinant IL-10 treated 

group. This study demonstrated that genetic delivery of IL-10 could compete with pro-

inflammatory signals present within the microenvironment to favor an M2 phenotype and 

thus help to resolve inflammation and further enhance regeneration. 

Interleukin-4  

IL-4 is an anti-inflammatory mediator that is part of the type I cytokine family. It 

is secreted by basophils, mast cells, certain phenotypes of CD4+ T-cells, and Th2 cells 

[241], and it is an important modulator of a wide variety of cell types including T-cells, B-

cells, monocytes, macrophages, fibroblasts, hematopoietic progenitors, and endothelial 

cells [242]. Investigation into IL-4 has revealed a host of functions such as inducing the 

differentiation of naïve T-cells, stimulating the production of other cytokines such as IL-5, 

IL-10 and IL-13, discouraging the migration of pro-inflammatory CD4+ IFN-γ secreting 

cells, and preventing the apoptosis of hematopoietic stem cells [241].   

 In patients with end-stage arthritis of the hip or lower extremities, total joint 

replacement is a very successful treatment strategy to alleviate pain and improve daily 

function [243].  Following implantation all prosthetic surfaces undergo wear-associated 

damage. This results in particles being generated that can remain in the joint, spread to the 

regional lymph nodes, or even worse, be released systemically [244]. These particles elicit 

a chronic inflammatory response, leading to the destruction of bone within the implant bed. 

Additionally, patients may require additional surgical procedures or suffer from 

pathological fractures due to implant failure or degradation [156, 243]. Rao et al. found 

there was a higher expression of M1 macrophages in the tissue of revision surgeries, 

compared to synovia from patients undergoing primary joint replacement [245]. Thus, the 

local delivery of cytokines that influences macrophage plasticity towards the M2 

phenotype could suppress the inflammatory reaction and prevent implant failure. To this 

end, several studies have investigated the delivery of IL-4 to modulate the polarization of 
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macrophages and synthesized bioactive factors [242, 245-249]. One such study 

investigating the effects of local delivered IL-4 on human monocytes following in vitro 

challenge to polymethylmethacrylate (PMMA) revealed that IL-4 inhibits the expression 

of GM-CSF, IL-6, and TNF-α at 48 hours post exposure [242]. These studies strongly 

suggest that strategies that utilize IL-4 to influence macrophage phenotype may be a viable 

strategy to reduce the resorption of periprosthetic bone. As previously discussed, not only 

do M2 macrophages encourage an anti-inflammatory microenvironment but they play an 

important role in tissue regeneration.  

 Mokarram et al. demonstrated that incorporation of recombinant IL-4 inside 

polysulfone conduits for peripheral nerve repair polarizes macrophages towards an M2 

regenerative phenotype, significantly increases the number of axons by about 20 times, and 

improves the rate of axon growth when compared to non-cytokine treated and IFN-γ treated 

groups [250]. The use of anti-inflammatory cytokines to enhance or accelerate tissue 

regeneration has the potential to enhance the current treatment of several pathological 

conditions. Although our current knowledge of the critical interaction between tissue 

regeneration and the immune system for tissue engineering is rather unsophisticated, 

several in vivo studies have exemplified the utility of modulating the inflammatory 

response by anti-inflammatory cytokines.  

Growth factors  

Growth factors can facilitate cellular communication by binding specialized 

cellular receptors located on target T-cells. After growth factor binding to the target 

receptor, the cellular response depends upon the specific growth factor, the target T-cell, 

cell density, receptor type, and other signals present within the microenvironment [60]. 

Research has revealed that wound healing involves a complex and intricate coordination 

between the immune system and the tissue cells [198].  Several growth factors such as 

vascular endothelial growth factor (VEGF), TGF-β and PDGF are responsible for 

orchestrating wound healing and has been the subject of other reviews [251, 252]. TGF-

β1, for example, has been shown to play a critical role in the recruitment of inflammatory 

cells [253]. In the presence of IL-6, TGF-β1 stimulates the differentiation of Th17 cells 

[254]. Additionally, it induces monocytes to increase production of pro-inflammatory 

cytokines. Given the previously presented material, one might think that TGF-β1 only acts 
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solely in a pro-inflammatory manner. However, while TGF-β1 stimulates the production 

of IL-1 from monocytes it suppresses the ability of IL-1 to induce lymphocytic proliferation 

[253]. Additionally, in fracture healing TGF-β1 secreted from platelets localized to the 

initial hematoma has been shown to increase the mechanical properties and induce callus 

formation [212]. Thus, even though TGF-β1 influences several pro-inflammatory 

processes it may ultimately protect the host from a prolonged inflammatory state. 

Furthermore, PDGF in combination with TGF-β1 has been shown to direct macrophage 

migration towards the injury site [198]. While biomaterials loaded with various growth 

factors has been extensively investigated for their in vivo potential at regenerating 

numerous types of tissue, strategies to exploit their immunomodulatory properties are still 

young.  

Small Bioactive Molecules  

Due to several drawbacks associated with exogenous delivery of proteins, such as 

high production cost, off target protein activity, and purification concerns, the utilization 

of small immunoregulatory molecules has emerged. The term small molecule refers to a 

non-protein based bioactive compound that is typically less than 1000 Da [255]. A review 

by Laurencin et al. has examined several in vitro and in vivo studies on the effects of several 

small bioactive molecules in the field of bone tissue engineering [256]. This systematic 

review identified fifteen small molecules that have been investigated for their pre-clinical 

efficiency to regenerate bone. Sphingosine-1-phosphate (S1P) activates several G-couple 

protein receptors that are responsible for endothelial cell migration and the recruitment of 

lymphocytes [257]. Additionally, it has been shown that S1P facilitates the migration of 

pre-osteoblasts and pre-osteoclasts [257]. In a study by Sefcik et al., S1P was encapsulated 

in PLGA microspheres and used to study their effect on bone regeneration in a critical-size 

rat cranial defect [258]. The local delivery of S1P promoted luminal expansion of arterioles 

and significantly enhanced new bone formation [258]. Other studies have suggested that 

this effect is due to S1P promoting M2 macrophage phenotype and encourages the 

recruitment of anti-inflammatory monocytes [156].  The potential utility of small molecule 

based immunomodulation for tissue engineering is vast and has shown great promise in the 

field of musculoskeletal tissue engineering. Several reviews have focused on the influence 

these compounds have on regeneration [255, 256, 259-261]. However, the interaction 
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between these small bioactive molecules and the immune system is only beginning to be 

understood.  
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Conclusions 
As the field of tissue engineering matures, sophisticated biomaterials and delivery 

strategies have emerged to leverage cells and bioactive molecules for regeneration. The 

immune system plays a significant role in the normal growth and repair of tissues, and 

given this knowledge, it is unsurprising that successful tissue regeneration would require 

optimal modulation of local inflammation. Future directions for immunomodulatory tissue 

engineering strategies are diverse at this point. While direct controlled delivery of proteins 

and cells can be challenging, there are an abundance of materials that show promise as 

carriers. In addition, the search continues for small molecule drugs capable of mediating 

cell responses in vivo and that present fewer challenges for local delivery. Incorporation of 

these small molecules directly into biodegradable tissue engineering scaffolds, either with 

or without MSCs, may enhance scaffold-host tissue integration, improve regeneration, and 

reduce foreign body response. Significant challenges to this ideal remain to be addressed, 

such as the optimal kinetics of immunomodulatory effector delivery, the appropriate 

balance of pro- and anti-inflammatory mediators, and further elucidation of the effects of 

exogenous MSC or other immune cell delivery in vivo. The increasing recognition of the 

immune system as a major player in tissue regeneration heralds a promising direction for 

the field, one that recognizes that modulation of the immune system is beneficial not only 

for growth of new tissue but for practical translation of scaffolds into clinical use.
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Chapter 5 

3D Printing for the Design and Fabrication of 
Polymer-Based Gradient Scaffolds4 

Abstract  

To accurately mimic the native tissue environment, tissue engineered scaffolds 

often need to have a highly controlled and varied display of three-dimensional (3D) 

architecture and geometrical cues. Additive manufacturing in tissue engineering has made 

possible the development of complex scaffolds that mimic the native tissue architectures. 

As such, architectural details that were previously unattainable or irreproducible can now 

be incorporated in an ordered and organized approach, further advancing the structural and 

chemical cues delivered to cells interacting with the scaffold. This control over the 

environment has given engineers the ability to unlock cellular machinery that is highly 

dependent upon the intricate heterogeneous environment of native tissue. Recent research 

into the incorporation of physical and chemical gradients within scaffolds indicates that 

 
4 This chapter was published as L.G. Bracaglia*, B.T. Smith*, E. Watson, N. Arumugasaamy, A.G. Mikos, 
and J.P. Fisher, “3D Printing for the Design and Fabrication of Polymer-Based Gradient Scaffolds,” Acta 
Biomaterialia, 56, 3-13 (2017). 
* denotes equal contribution  
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integrating these features improves the function of a tissue engineered construct. This 

review covers recent advances on techniques to incorporate gradients into polymer 

scaffolds through additive manufacturing and evaluate the success of these techniques. As 

covered here, to best replicate different tissue types, one must be cognizant of the vastly 

different types of manufacturing techniques available to create these gradient scaffolds. 

We review the various types of additive manufacturing techniques that can be leveraged to 

fabricate scaffolds with heterogeneous properties and discuss methods to successfully 

characterize them.   
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Introduction 

Consideration of a tissue-engineered scaffold’s architecture on the macro-, micro- and 

nanoscale is crucial for proper nutrient and waste transport, cellular interactions, 

mechanical stability, and ultimately functional tissue formation [262]. Despite 

developments in material selection and scaffold design, it can still be difficult to achieve 

tissue biomimicry in these scaffolds, which significantly affects the resulting tissue 

regeneration [263]. As observed by Zhang et al., a scaffold carefully designed to mimic 

the architecture of the extracellular matrix (ECM) of native tissue can be expected to induce 

and direct cells to develop towards functional tissue [264]. In addition to the importance of 

material selection, inclusion of proper biochemical or biophysical stimuli could contribute 

to appropriate development. ECM can have specific spatial arrangement or be haphazardly 

organized depending on the type of tissue. Specific properties of the scaffold, if made to 

carefully mimic the native tissue, contribute to functional tissue formation. For example, 

scaffolds with uniform pore size and porosity similar to that of natural bone can lead to 

bone tissue formation [265]. Similarly, electrospun scaffolds with areas of poly(lactic-co-

glycolic acid) (PLGA) fibers in an aligned or random orientation, designed to mimic 

collagen type I fibril orientation found in tendons, were created and seeded with fibroblasts 

[266]. Cells on aligned fibers elongated along the direction of the fibers and produced 

collagen type 1 in an organized fashion, as seen in native tendon fibroblasts. This approach, 

biomimicry of a component of the native environment, could be improved as research 

moves past biomaterial scaffolds with homogenously distributed composition or structural 

properties [267]. Native tissue often exists as a series of connected and graded transitional 

zones to build distinct functional regions. The lack of heterogeneity within previous 

scaffolds does not support the diverse populations of cells and surrounding environment of 

the native tissue. Thus, it is critical that the engineer incorporates graded properties within 

scaffolds to properly guide the development of new tissue. The advent of 3D printing and 

additive manufacturing has enabled the design of tissue scaffolds with precise designs 

incorporating graded properties that support the heterogeneous population of cells and 

matrix components that will eventually populate them. 

3D printing, also referred to as additive manufacturing, rapid prototyping, or solid-freeform 

technology, emerged in a few fields in the mid 1980s, and today has found industrial 
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applications in the automotive, aerospace, construction, and even the cosmetic industry 

[268]. This technology has swept through the commercial world, transforming established 

practices and disrupting manufacturing techniques much like an industrial revolution, and 

has contributed to numerous  biomedical applications within the research setting [269]. 

Specifically in the field of tissue engineering, 3D printing has been applied to virtually all 

tissues in the body and has even been utilized to fabricate whole organs [270].  

Before the development of additive manufacturing techniques, tissue engineers 

used traditional scaffold fabrication techniques such as particulate leaching, 

electrospinning, phase separation, and gas foaming to achieve architectural variety in 

fabricated scaffolds [271]. While each of these methods have been extensively studied and 

optimized, they have inherent limitations. For example, these conventional methods are 

incapable of precisely controlling pore geometry, interconnectivity, and pore size, and 

especially of creating regions of variance within a single scaffold [272]. In addition, several 

of these techniques are contingent upon using organic solvents with inherent 

biocompatibility [273]. Additive manufacturing techniques allow the tissue engineers to 

circumvent these limitations through precise control over the design of the scaffold. This 

results in greater reproducibility, higher level details, and even patient-specific constructs 

[274]. 

This review focuses on additive manufacturing techniques that are being used to 

fabricate polymer-based, gradient scaffolds for tissue engineering. While these 

technologies are already being used to fabricate homogenous and patient-specific scaffolds, 

the true utility of these technologies is the level of architectural engineering they bring to 

the field of tissue engineering. 

3D Printing Techniques 
There is a vast assortment of 3D printing techniques developed and applied to the 

field of tissue engineering, with different approaches to reproducing a computer generated 

model. Within the constraints of the manufacturing method, the engineer can design the 

external and internal architecture that is to be built utilizing computer-aided design (CAD) 

software, informed through mathematical equations or values derived from clinical data 

[275]. CAD-based methods are the most widely used in the field [276]. In these methods, 
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the design of complex structures is achieved by combining simple geometries (prisms, 

cones, cubes, spheres or cylinders). As the models become very large and intricate the file 

size increases exponentially leading to difficultly to manipulating them further. In order to 

reduce these file sizes and improve the efficiency of generating models, several groups 

have developed a scaffold library, computer-aided system for tissue scaffolds (CASTS), 

composed of unit cells that can be combined to match anatomical architectures [277, 278]. 

By changing a few structural characteristics, one can easily alter such factors such as 

porosity or the mechanical properties of the design to tailor it to the targeted native tissue. 

Increased control over shape and structure was achieved recently, using implicit surface 

modeling (ISM) a tool that uses a single mathematical equation to easily model cellular 

structures [276]. While each of these design methods allows the engineer to easily 

introduce physical gradients and location-specific materials within the constructs, it is 

important to consider which fabrication is best suited for the design and material 

parameters. 

Stereolithography 

Stereolithography (SLA), offers a high degree of spatial control but is limited by 

the necessity of a photocrosslinkable material. SLA utilizes a single beam laser to scan 

back and forth to spatially control the crosslinking and/or polymerization of a photocurable 

resin [275]. After the 2D cross-section is completed, the base lowers and the laser begins 

crosslinking and/or polymerizing the next layer on top of the previous layer [275]. While 

SLA traditionally generates structures from a bottom-up approach, top-down SLA is 

gaining traction due to a smaller amount of resin needed, decreased oxygen inhibition, and 

smoother final surface finish [279]. Once the structure is fabricated, the uncrosslinked 

polymer and/or unreacted monomer must be removed. The scaffold can then be post-cured 

in a light box to convert any remaining monomer and strengthen the structure. In SLA, the 

kinetics of the curing reaction determines the curing time and thickness of each layer. By 

altering several parameters such as the scanning speed, the power of the laser, and the ratio 

of monomer to photoinitiator, one can fine-tune the reaction kinetics [273]. While there are 

numerous materials that can be utilized with SLA, there are only a few biocompatible 

biomaterials that can be used [275]. Specifically in the field of tissue engineering, 

poly(propylene fumarate) (PPF) has been considerably used with SLA [280, 281]. In recent 
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years, several groups have developed new biocompatible resins, such as poly(D,L-lactide) 

(PDLLA) and poly(ε-caprolactone) (PCL), that can be used with SLA techniques [282, 

283]. In addition to selecting a biocompatible polymer, one must consider that the leaching 

of unreacted monomer and photointiator could also result in cytotoxic damage. SLA allows 

the engineer to create scaffolds with a tremendously high resolution (<2 μm) and thus 

produce a complex internal architecture [284]. This specificity, however, can be limited to 

the z direction, making compositional gradients of this magnitude difficult in the horizontal 

direction [285]. Furthermore, the vertical print speed can range between 10-50 mm/h 

depending on the specific crosslink time of the photopolymer [286]. Thus, SLA is a 

technique that should be utilized when fabricating scaffolds that are acellular, contain 

intricate architectures, and a single direction gradient is desired.  

Fused Deposition Modeling  

Instead of photocurable properties, the success of fused deposition modeling 

(FDM) is highly dependent upon the rheological properties of the thermoplastic being 

extruded. FDM is the process by which a thermoplastic is melted in a heated head and 

extruded through a small orifice onto a stage layer. The deposited material fuses to the 

previous laid layer and eventually generates a scaffold in a layer-by-layer fashion [287]. 

The temperature of the extrusion head can be adjusted depending upon the properties of 

the thermoplastic being used. Typically, the extrusion head is heated to 100-140°C to 

achieve proper flow and layer fusion [284].  These temperatures are generally too high for 

the inclusion of cells or bioactive molecules [288]. Thus, FDM is not suitable for inclusion 

of proteins and biological molecules, and is best used for structural gradients within 

scaffolds. For example, pore size, morphology, and interconnectivity can be controlled 

through parameters such as raster thickness and angle, the space between rasters, the height 

of the layer, and the extrusion pressure of the plastic [287]. Despite this level of control, 

the attainable range of these parameters constrain the complexity of the scaffolds that can 

be generated to relatively simple and regular architectures [289].  However, the true benefit 

of FDM is the ability for the engineer to fabricate multidirectional physical gradients within 

scaffolds. Depending on the desired resolution, the print speed can be varied between 10-

50 mm/s [286]. Multiple extrusion heads can be added to the system in order to generate 

compositional gradients within the scaffolds. Thus, if one is trying to create a scaffold 
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without cells or bioactive molecules that contains gradients in the X,Y and/or Z direction 

FDM is a suitable technique.   

Selective Laser Sintering  

Selective laser sintering (SLS) also utilizes the rheological and thermal properties 

of polymers. In this technique, a high power laser, such as CO2 or Nd:YAG, selectively 

scans the surface of polymer particles, raising the local temperature to the powder’s melting 

point and fusing the particles together. This fusion binds the polymer powder into thin 

layers [290], creating a 2D sintered cross-section of the scaffold. After each cross-section 

is complete, a fresh layer of powder is laid across the surface and the process is repeated 

creating a 3D model [291]. It has been shown that the resolution of this 3D construct is 

dependent upon the powder microstructure [284]. For instance, powders with a narrow size 

distribution around 60 μm in diameter and few particles below 10 μm minimize 

inaccuracies by improving flowability [292]. While the resolution of SLS is highly 

dependent upon the spot size of the laser and the size of the powder particles, most features 

should have a minimum size of 400 μm [286]. One of the major advantages to SLS is the 

vast range of materials that can be used. Specifically within the field of tissue engineering, 

SLS has been used to fabricate scaffolds composed of poly(etheretherketone) (PEEK), 

poly(vinyl alcohol) (PVA), PDLLA, and PLGA [291]. Additionally, while other 

techniques use organic solvents or risk leaching of unreacted monomer, SLS can be 

processed without any solvents. Compositional gradients in the vertical direction can be 

easily achieved by rolling out different powders between layers; however, material 

gradients in the horizontal direction are more difficult.  

Bioprinting  

Despite the advantages to structural control, the additive manufacturing techniques covered 

so far share challenges related to incorporating multiple cell types, bioactive molecules, 

and biomaterials within scaffolds [293]. In response to some of these challenges, 3D 

bioprinting has rapidly become an attractive alternate fabrication approach. In this 

technique, most often, prepolymer solutions loaded with cells or bioactive molecules are 

laid onto a substrate creating 3D structures with a precisely designed physical and chemical 

architecture [294]. This process can be achieved by two basic techniques: inkjet and 

extrusion.  



  

 74 

Inkjet Bioprinting  

Similar to inkjet printers, a liquid prepolymer solution is deposited in one continuous strand 

or single dots to generate the desired structure [270]. The stage then lowers, building up a 

3D scaffold in a layer-by-layer approach [295]. The dispersion can be achieved through 

two main methods that eject the bio-ink from a nozzle. Thermal inkjet printers use localized 

heat within the nozzle to create a vapor bubble. The formation of the vapor bubble causes 

the ejection of a small droplet from the nozzle. While studies have shown that this transient 

increase in temperature does not impact the viability of bioactive molecules or cells, the 

potential risk of thermal stress has limited the use of these printers in the biomedical field 

[293]. One can circumvent this concern by using a piezoelectric actuator to eject small 

droplets from the nozzle [270]. Overall, inkjet bioprinters are inexpensive, create high-

resolution patterns in the range of 20-100 μm at speeds in the range of 1-10,000 droplets/s 

and can introduce concentration gradients of cells and/or bioactive molecules throughout 

the 3D construct [270, 286].   

Extrusion Bioprinting  

In extrusion bioprinting, the biomaterial is extruded onto a substrate through a nozzle to 

generate a pre-designed structure. Rather than droplets being ejected from the nozzle (as 

in inkjet bioprinting), extrusion bioprinting generates a continuous strand of material [294]. 

After which, the layer can be polymerized using a UV light source, chemical crosslinking 

solution, or other method. This method of bioprinting can use highly viscous materials, 

unlike inkjet printers, allowing the engineer to fabricate scaffolds out of a wide variety of 

biomaterials. Though not as fast as inkjet bioprinting, extrusion bioprinting can be easier 

on cells [293]. Based on the similarities of this extrusion method to FDM, achievable 

parameters of layer thickness and strand or fiber diameter limit the architectural complexity 

of scaffolds.   

In summary, there is an extensive collection of additive manufacturing techniques 

each with its advantages and disadvantages for the fabrication of gradient scaffolds. Table 

3 summarizes a few selected techniques and materials used for the generation of gradient 

scaffolds. Additionally, in Figure 9, a flow chart depicts a potential decision tree to select 

a 3D printing approach based on desired material and gradient characteristics. 
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Table 3. Table of additive manufacturing techniques for the fabrication of gradients. 

 
Technique Common 

Materials 

Cells 

(Y/N) 

Advantages/disadvantages 

Stereolithography 

(SLA) 

[9,14,19-25] 

• PPF 

• PCL 

• PDLLA 

 

• N + Can print with high resolution (<2 

μm) 

+ Can vertically print at a speed of 

10-50mm/h 

+ Can create complex internal 

structures  

-Can only fabricate compositional 

gradients in the Z-direction  

Fused Deposition 

Modeling (FDM) 

[24,26-29] 

• PCL 

• TCP 

• N + Can easily fabricate compositional 

gradients 

- Cannot incorporate cells or bioactive 

molecules  

-Can have a linear print speed of 10-

50 mm/s  

Selective Laser 

Sintering (SLS) 

[24,30-32] 

• PCL 

• PEEK 

• PVA 

• PDLLA 

• PLGA 

• N + Does not require support structures 

+ Can print without use of toxic 

solvents  

-Does require use of powders with 

tight particle distributions (<60 μm) 

-Cannot achieve horizontal 

compositional gradients 

Inkjet 

Bioprinting 

[7,33,35] 

• Low 

viscosity 

materials  

(<10 cP) 

 

• Y + Can print droplets at a rate of 1-

10K/s 

+ Can print with high resolution (20-

100 μm) 

+Can fabricate both physical and 

compositional gradients  
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-May affect cells and bioactive 

molecules 

Extrusion 

Bioprinting 

[33.34] 

• PCL 

• Hydrogels 

• HA 

 

• Y + Can print a wide range of materials  

+ Utilizes mild conditions allowing 

for printing of cells/bioactive factors 

+ Can fabricate physical and 

compositional gradients 

+Prints at a linear speed between 10-

50 mm/s  

PPF-poly(propylene fumarate), PCL-poly(ε-caprolactone), PDLLA-poly(D,L-lactic acid), 
TCP- tricalcium phosphate, PEEK-polyetheretherketone, PVA-poly(vinyl alcohol), 
PLGA-poly(lactic-co-glycolic acid), HA-hyaluronic acid 
 

 

Figure 9. A flow chart depicting a decision tree to select a 3D printing approach based on desired scaffold and 
gradient characteristics based on literature data. 
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Incorporation of Gradients 
As described, the human body is a complex multiphase system built from a dynamic 

interaction between 1) cells, 2) extracellular matrix, and 3) the resulting tissue architecture. 

In certain tissues, this system creates a microstructure that is highly graded in organization, 

chemical gradients, and mechanical properties [296]. These gradients contribute to critical 

processes such as embryogenesis, chemotaxis of polymorphonuclear leukocytes, and cell 

migration [297-299]. Additionally, physical property gradients are found in interface 

tissues like tendon-to-bone. These interfaces are associated with a gradient of cell 

phenotypes, and ultimately contribute to complex mechanical or physical functionality 

[300]. Thus, by incorporating these natural gradients into the design of biomaterials, tissue 

engineers could unlock cellular machinery, enhancing native tissue response and 

regeneration, contribute to function a healing of complex tissue. The types of gradients 

present within the body can be broken down into two broad categories, physical gradients 

and biochemical gradients.  

Physical Gradients  

Pore Gradients  

The success of tissue ingrowth into a scaffold has been shown to be highly 

dependent upon the overall porosity and pore size [301]. Highly porous biomaterials aid in 

de novo tissue regeneration by 1) allowing mass transport of nutrients and wastes, 2) 

providing a large surface area for cellular attachment and growth, 3) permitting 

vascularization of the implant, and 4) facilitating mechanical interlocking with the adjacent 

tissue [35, 302]. While native tissue is naturally porous, it is not homogenously distributed. 

Rather, it is distributed in such a manner to maximize the overall tissue performance [302]. 

For example, in bone tissue there are four different levels of pore sizes that vary in function 

from topological cues to facilitating bone ingrowth [303]. Therefore a scaffold that only 

possesses a pore size from one of these levels would have functional limitations. 

Furthermore, it has been shown that scaffolds that contain pore gradients prolong static 

culturing by increasing the accessibility to nutrients and oxygen [304, 305]. An ideal 

scaffold should possess a graded porosity capturing pores from each level, maximizing the 

regenerative potential of the scaffold [306].  
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While solid freeform fabrication techniques are a rather new technology, several 

methods have been developed that allow the fabrication of functional gradient architectures 

[307-312]. Sobral et al. recently investigated the effect of pore size gradients on cell 

seeding efficiency [309]. In this study, scaffolds were fabricated by 3D plotting PCL with 

an alternating pore size of 100 and 750 μm. It was shown that a graded pore structure 

increased the seeding efficiency as compared to an ungraded architecture (30% for 

homogenous scaffolds vs. 70% for heterogeneous scaffolds). The authors hypothesized that 

this effect was due to more tortuous channels inside the heterogeneous scaffolds, thereby 

increasing the residence time of the cells and increasing the probability of contact between 

scaffold and cell. In addition to a higher seeding efficiency, Wendt et al. showed that 

perfusion through a random pore structure results in a better distribution of cells within the 

scaffold [313].  

Although there are not many examples that focus on the creation of gradients, SLA 

or other light- or laser-based printing approaches may have potential to create scaffolds 

with gradient pore sizes and concentrations. The high resolution of this technique, which 

can achieve features as small at 20μm using some materials, could allow for the very 

specific and designed placement of pores within a scaffold construct [314].  

Mechanical Gradients  

While highly porous scaffolds permit the ingression of tissue within a construct, it has been 

shown that the substrate stiffness directs the differentiation and migration of mesenchymal 

stem cells into different cell types such as myoblasts, osteoblast, and neurons [315]. In fact, 

Lo et al. showed that cells migrate towards stiffer surfaces, a phenomenon since then 

termed durotaxis [316]. Mechanical gradients are not only present at boundaries between 

different tissue types but are also present with in a single tissue. For example, the 

heterogeneous mineral composition present within teeth establishes a microenvironment 

that is highly variable in stiffness [317]. Thus the development of tissues scaffolds with 

heterogeneous mechanical properties would only serve to better mimic the native cellular 

environment. In addition, incorporation of heterogeneous mechanical properties allows the 

engineer to create scaffolds that further support the cellular population.  

Recently, the field of interface tissue engineering has adopted mechanical gradients 

to facilitate the regeneration at tissue interfaces. Luca et al. investigated the effect of 
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stiffness gradients on osteochondral regeneration [318]. Scaffolds were fabricated by 

bioprinting PLA, PCL, and poly(ethylene oxide terephthalate)/poly(butylene terephthalate) 

(PEOT/PBT) copolymers in different ratios to achieve constructs with stiffness gradients. 

It was shown that while cells on gradient scaffolds had a lower alkaline phosphatase (ALP) 

activity compared to cells on the homogenous scaffolds, microenvironments were 

established within the scaffolds that showed regions of high ALP activity. The authors 

hypothesized that these regions of high activity were due to surface energy gradients 

established by the different materials within the constructs. Though there are a limited 

number of studies that utilized 3D printing as a means to investigate the influence of 

mechanical gradients on tissue formation, there is still an appreciation for the role that this 

variable could play in future scaffold fabrication. Other approaches to achieve altered 

mechanical properties could utilize changes to crosslinking density using SLA or other 

light based approaches, or changes to extrusion parameters to alter fiber or layer thickness. 

In addition, most tissues have some level of anisotropy which further complicates the 

physical demands of scaffolds [319]. Previously, producing anisotropic materials was an 

extremely difficult task with classical biomaterial fabrication techniques. However, 

additive manufacturing allows one to precisely control the scaffold design allowing the 

engineer to reliably fabricate anisotropic materials. Recently, Cox et al. fabricated 

hydroxyapatite-based scaffolds by utilizing powder-fusion printing [320]. In this study, it 

was demonstrated that the anisotropic behavior of the scaffolds could be easily controlled 

by altering the architectural design [320]. While there is a limited amount of research into 

the effects of anisotropic materials on tissue regenerative, it is an area that shows great 

promise to better recapitulate the in vivo tissue environment.  

Biochemical Gradients  

In addition to mechanical cues, biochemical cues provided by the ECM or 

neighboring tissues and cells act in vivo to regulate and control cell fate [321-325]. To 

better recapitulate the native cellular environment, it is important to design systems where 

cells can be exposed to an engineered presentation of bioactive molecules in a 3D 

microenvironment. The creation of precise patterns of bioactive molecules can be achieved 

by several methods such as layer-by-layer, prepolymer mixing, or modular assembly [326]. 



  

 80 

However, this review will focus on studies that have used additive manufacturing 

techniques to create spatial gradients of bioactive molecules.  

Most regularly, scaffolds that will rely on cell-based remodeling combine 

biochemical cues with degradable polymer carriers or hydrogels [264]. To form the 

degradable or hydrogel platform, the materials most popular are natural proteins such as 

collagen, gelatin, alginate or synthetic polymers such as PLGA, PCL, and poly(glycerol-

sebacate). These materials are all able to support the functional inclusion of minerals, 

growth factors, cytokines, and other biologically active material that can direct cell 

response. For example, spatial gradients of mineral content along a nanofiber scaffold 

resulted in correlations to ALP, Runx2, and Osteocalcin expression and associated cell 

phenotypes. The cell phenotypes mimic the cellular community of the native enthesis and 

therefore the graded scaffold shows promise for the regeneration of the tendon-to-bone 

interface [300].  

As previously discussed, several of the 3D printing techniques utilize harsh organic 

solvents which hinder the bioactivity of bioactive molecules [326]. However, the 

development of aqueous bioinks has allowed for the successful incorporation of bioactive 

molecules and cells within 3D printed scaffolds. Ilkhanizadeh et al. studied the effect of 

several bioactive factors on the differentiation of rat embryo neural stem cells. In this study, 

they fabricated hydrogel scaffolds that contained gradients of fibroblast growth factor-2 

(FGF) and ciliary neurotrophic factor (CNTF) by using inkjet bioprinting [327]. The 

studies showed that the concentration of neural stem cells increased in a manner that 

correlated to the concentration gradient of CNTF [327]. This study was one of the first to 

underscore the significant impact of bioprinting bioactive molecules on scaffold 

performance.  

In a recent proof-of-concept study, Liu et al. describe a groundbreaking design that 

can be used build a hydrogel scaffold with simultaneous spatial control of up to 7 distinct 

bioinks [328]. In this novel design, 7 distinct capillaries are combined into a single point 

in a print head. Each capillary can have independently controlled pressure applied, 

allowing the user to print the bioinks independently or simultaneous in any desired 

combination. In this study, authors demonstrate a cylindrical scaffold with decreasing 

concentrations of hydroxyapaptite as one moves inward through 7 gelatin methacrylate and 
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alginate concentric, circular rings. A technique is also shown that allows for various 

hydrogel concentrations, cell populations, or any other variety of bioink to be included in 

a controlled portion at different positons of a continuously printed fiber.   

In addition to extrusion based techniques, other studies have utilized SLA as a 

means to incorporate bioactive gradients[327]. However, in order to achieve spatial control 

of more than one bioactive molecule by SLA, multiple resins that have been loaded with 

different bioactive molecules must be used. Incorporating two different resins requires a 

sequential photo-polymerization step, in addition to multiple washings in order to remove 

uncrosslinked monomer. Utilizing this technique, Gbureck et al. were able to fabricate 

calcium phosphate-based scaffolds with vascular endothelial growth factor (VEGF) and 

copper(II) ions. These factors were precisely placed at the end of closed pores within the 

implants to assess angiogenesis. It was shown that, both VEGF and copper enhanced vessel 

formation as compared to the unloaded controls [329]. This work showed that SLA could 

be used to fabricate scaffolds with multiple bioactive molecules in a precise architecture. 

Although SLA has the advantage of excellent resolution potential, it is difficult to print 

with more than one material, which could limit the scope of biochemical gradients 

achievable.  

Evaluation of the Achieved Gradients 
As described, gradient scaffolds are designed to meet a huge set of applications in 

tissue engineering. Looking collectively at the set described here, there are several 

analytical tools that are commonly used to investigate whether a gradient was achieved. 

Depending on the form of gradient, either biochemical or physical characteristic, different 

tools can provide information.  

Evaluation of Physical Gradients  

To first examine the scaffold for bulk geometrical properties, multiple imaging 

techniques provide a comprehensive view. Many studies begin with an overall scan of such 

scaffolds using micro computed tomography (μCT), allowing for visualization of bulk 

scaffold shape as well as describing features down to 1 µm [330]. This non-destructive 

technique can be used to image through whole scaffolds without staining, slicing, or drying 

out, which is beneficial to many biologically built materials [331-333]. Although μCT is 

broadly used, a more simplistic technique recently described by Rhee et al. could be 
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beneficial in cases where the overall scan size is too large and time consuming to acquire 

on a μCT [334]. In this technique, a hydrogel construct was lightly coated with charcoal 

powder to provide optical contrast before being imaged with a high-resolution, digitizing 

color scanner  (3D Cyberware scanner) [334]. This technique provides lower resolution 

and lacks the internal scaffold view of a μCT scanner, but allows for a quick measurement 

of the geometry of a ~10 cm printed meniscus model down to 2 mm details. Using this 

technique, the investigators were able to determine the accuracy of print as a function of 

collagen density as indicated by the percentage of scanned positions that were within 2 mm 

of target height [334].  

In order to visualize smaller features, such as pores or fiber structure, we require a 

technique with higher resolution. Scanning electron microscopy (SEM) is another popular 

option if the scaffold can be dried effectively and if the structure can resist vacuum pressure 

[307, 318, 335-341]. Using SEM to image sections from each of the four layers of 

chitosan/silk fibroin (SF)/hyaluronic acid (HA) scaffolds, Zhou et al. were able to both see 

significant differences in pore sizes between the four different regions of their composite 

scaffold (100 μm – 300 μm) by measuring the diameter of 100 pores per region in an image 

analysis software (ImageJ) [335].  

Perhaps a more easily quantified method to assess porosity is to use specific gravity 

bottles, as described by Zhou et al. [335]. In this study, the porosity of the chitosan/SF/HA 

scaffolds was determined by first taking the dry mass of the scaffold (Ws) and then 

submerging the scaffold in a specific gravity bottle filled with a known amount of ethanol 

(W2). The porosity was calculated using equation [335]:  

𝑃𝑜𝑟𝑜𝑠𝑖𝑡𝑦	(%) =
𝑊/ −𝑊1 −𝑊2
𝑊3 −𝑊1

∙ 100 

Equation 1. Calculation of porosity.  
Where W1 is the weight of the specific gravity bottle filled with ethanol and W3 is the 

weight of the specific gravity bottle without the ethanol-saturated scaffold from W2. By 

directly calculating a porosity percent for different specimens, sample variation between 

scaffolds or region variation within scaffolds can be accurately quantified and compared.  

Ideally, approaches to both visualize and quantify the structural gradients should 

be applied to fully understand the impact of the structural changes. With this in mind, 

comparisons using specific gravity tests may not be informative if total porosity is not the 
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varied factor. The existence of such a gradient can be indirectly quantified through 

functional mechanical testing [335, 338, 340-342]. To evaluate porosity from sodium 

chloride leaching, Sherwood et al. demonstrated decreased elastic modulus, tensile 

strength, and yield strength with increasing porosity in each region of the independently 

tested construct [342]. In addition to proving the existence of significant material 

differences, the authors were able to justify the selection of the lower porosity material for 

the bone portion of the graft (55% porous), and higher porosity for the cartilage region 

(90%) by matching mechanical properties of the scaffold to the tissue [342]. Another study 

showed that as sample sections move towards the “bone end” of the bone-ligament 

interface scaffold, ultimate stress, ultimate strain, and Young’s modulus all increase to 

match in vivo strength gradients [341]. In recent years, the field of digital image correlation 

has developed robust tools for full-field kinematic measurements [343]. Previously, this 

technique has been limited to thin tissue samples. However, Moerman et al. has shown that 

digital image correlation can be utilized to non-invasively determine the bulk material 

properties [344]. In addition, it can allow one to easily quantify local variations in the 

mechanical properties.  

Evaluation of Biochemical Gradients 

Biochemical gradients are achieved either through a designed change to the 

composition of the scaffold, or in an engineered presentation of bioactive components. By 

nature, these changes may not be detectable visually or produce any measurable change 

structurally. However, methods that can visualize as well as quantify the existence of the 

gradient are still of importance. In cases where the chemical composition of a scaffold is 

varied spatially, thermogravimetric analysis (TGA) [337] or Fourier transform infrared 

spectroscopy (FTIR) has been used to successfully compare chemical constituents [335, 

336]. TGA was used to effectively quantify the gradient of bioactive glass (BG) present in 

the BG PCL fibers incorporated into the single scaffold to support hyaline and mineralized 

cartilage. Using thermogravimetric analysis- differential thermal analysis (TGA–DTA), 

the percentage of weight remaining after complete thermal decomposition of PCL was 

assigned as the BG content. Similarly, in a study by Kim et al., FTIR was used to confirm 

increasing concentration of amide bonds along the extruded PCL fibers, matching the 

intended gradient of surface immobilized adhesion factors [336]. In these applications, 
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where chemical changes are perceptible, chemical composition analysis seems to be the 

most accurate approach to determine the biochemical gradient. Although fluorescent 

tagging, which is described below, does provide relevant spatial information, multiple 

points of error and changes to the system are introduced through the incorporation of the 

dye.  

In the situation where biochemical factors may be more difficult to distinguish 

chemically from the bulk scaffold, such as a protein in a protein-based hydrogel, chemical 

analysis may not provide any relevant information. Additionally, if encapsulation or 

tethering of the graded protein is employed, traditional soluble protein quantification 

assays may not be suitable. Many of these gradients therefore must be observed optically, 

using fluorescent tagging or a specific stain for the biochemical components. Utilizing one 

such optical technique to verify the gradient distribution of growth factors, connective 

tissue growth factor (CTGF) and transforming growth factor beta-3 (TGF-β3), infused 

within fibrin gels, Lee et al. replaced the growth factors with fluorescently labeled dextran 

of similar size within the microsphere vehicles (fluorescein-conjugated dextran (40 kD) for 

CTGF and Alexa Fluor 546 dextran (10 kD) for TGFβ3) [345]. A similar technique was 

used to verify that the release of growth factors from the top of the scaffold created a 

concentration of the growth factor within the scaffold [346]. This result was easily verified 

by conjugating a homodimer of platelet-derived growth factor BB (PDGF-BB) with a 

fluorescent dye (IRDye 800) before encapsulation into the PLGA sphere vehicle [346]. The 

PLGA spheres were incorporated into the top of the scaffold, which were then implanted 

subcutaneously. The scaffolds were imaged in vivo at multiple time points and a gradient 

distribution of the labeled growth factor was observed at all time points [346].  

As discussed earlier, techniques to quantify in addition to visualize gradients help 

to most accurately describe these scaffolds. Targeted at applications utilizing fluorescently 

labeled molecules or polymer vehicles, Caruso et al. described a rapid particle counting 

technique that could help define particle arrangement in a uniform way [347]. As written, 

the method can be used to quantify particles as they are made by encapsulating a known 

volume of particles in a larger matrix that can immobilize them, such as agarose or acrylate, 

or within an optically transparent scaffold. Using standard microscopic techniques to image 

a defined volume of the solid (confocal laser scanning microscopy or stimulated emission 
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depletion microscopy), common particle counting software can be used to determine the 

count per volume or per region of the scaffold. The approach was compared closely to 

high-sensitivity flow cytometry (100-1000 nm particles) and theoretical calculations (~50 

nm particles), and produced similar particle counts. [347]. It is critical to know the exact 

particle concentration to accurately describe the possible molecular delivery achieved or 

environment created, and the use of this method could provide additional or easier insight 

into this measurement.  

Fluorescent tagging can be a useful technique to visualize or compare the 

concentration of factors not encapsulated as well. To mark the patterns of bone 

morphogenetic protein 2 (BMP-2) printed into an osteogenic scaffold, the fluorescently 

tagged molecule Cy5-BMP-2 was printed in the same manner, and measured for retention 

and position over time [324]. In another example, to ensure the printing of distinct bioinks 

of increasing collagen concentration, a group was able to encapsulate small fluorescent 

microbeads of different colors (FITC- and rhodamine-labeled 5 μm microbeads (Sigma) 

107 particles/mL) within the inks [334]. After printing the composite construct, distinct 

collagen domains between 10-17.5 mg/mL were visualized using confocal fluorescent 

imaging, showing very little mixing of the inks and describing the interface of the gradient 

gels [334]. 

Functional Testing: Ultimate Evaluation of Gradients 

The final test of the gradient appearance for these scaffolds should be through 

functionalized testing with cells and tissues to measure the heterogeneity influenced by the 

gradient scaffold. As pointed out by Lee et al., despite precise and reproducible in vitro 

testing and imaging to determine the gradient achieved, ultimately the cellular and tissue 

response in vivo is what will determine the success or failure of the designed gradient [345]. 

Depending on the intended application, this is best tested through cell migration [336, 348], 

invasion or adherence of cells to the scaffold [323, 342, 346], differentiation or matrix 

production [318, 336, 341, 345, 346].  

Cell adhesion and matrix production can be the first and easiest indicators of a 

successful gradient surface or volume. In several studies, a comparison of the number and 

density of cells over varied regions of the scaffold is used to demonstrate cell preference 

for some region over another due to engineered differences [309, 321, 323, 324, 327, 336].  
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Cell migration is of particular interest when scaffolds are designed for wound 

healing, since cell migration is critical to wound closure. To encourage migration, scaffolds 

are built with either a biochemical gradient encouraging a chemotactic migration [336], or 

a stiffness/substrate gradient directing a mechanotactic migration [348]. In one study, 

epithelial cells are deposited at the low-stiffness end of a hybrid material with a stiffness 

gradient. The cells are assessed for migration over 720 hours in the direction of increasing 

stiffness, and migration was compared to a non-textured control material [348]. Both 

migration speed and total distance from cells on the gradient scaffold were substantially 

greater than the flat control due to the hypothesized support of traction-mediated 

mechanotaxis on the gradient scaffold compared to the random walk on the flat material 

[348].  

On the other hand, scaffolds developed for tissue development in a critical size 

defect model or in organ development typically have gradients to encourage heterogeneous 

cell or tissue formation. Assays to assess the gradient should measure these specific 

outcomes in order to form conclusions on the added value of the scaffold. For example, 

one study in osteochondral regeneration developed agarose-gelatin hydrogel scaffolds with 

a gradient concentration of chondroitin sulfate (CS) (chondrogenic signal) and BG (bone 

mineralization signal) incorporated into PCL fiber mats [337]. Chondrocytes seeded onto 

these scaffolds secreted a hyaline like matrix with higher amount sulfated 

glycosaminoglycans (sGAG), collagen type II, and aggrecan CS fibers than on BG fibers. 

Conversely, mineralization was observed on BG fibers. The observation of continuous, 

opposing gradients of sGAG enriched (chondrogenic) and mineralized ECM (osteoblastic) 

was observed surrounding each cell clusters on gradient hydrogel after 14 days of culture, 

in response to the physical gradients of raw materials CS and BG [337]. This is an example 

of how cellular response can act as a bioassay to help prove the existence of a biochemical 

gradient. In a similar approach, Di Luca et al. showed enhanced chondrogenic and 

osteogenic differentiation markers from cells seeded on the gradient scaffolds. These 

markers were supported with staining of matrix molecules such as ALP, 

glycosaminoglycans (GAGs), and collagen I and II [318].  

A more complex analysis conducted by Brey et al. shows increased tissue invasion 

into the pores of a PDGF-BB enriched scaffold in a subcutaneous implantation. In this 
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scaffold, the PDGF-BB concentration existed in a gradient, starting from the top reservoir 

on the scaffold. This gradient increased the depth of tissue invasion and density of blood 

vessels in a dose-dependent manner as seen with ex vivo histological staining [346]. 

Similarly, printed conduit scaffolds with either VEGF or copper surface gradients 

implanted peritoneally in mice showed significantly further vessel penetration (7 mm 

compared to 2 mm in 15 days) into the scaffold compared to factor-free scaffolds [329]. 

This type of result was also seen utilizing a different gradient scaffold. In another study, 

poly(ethylene glycol)/poly(butylene terephthalate) (PEG/PBT) scaffolds with a gradient of 

pore size in the x-y plane showed tissue that exhibited cartilage morphology when 

implanted subcutaneously [307]. These scaffolds were stained for tissue formation using 

immunohistochemistry for specific matrix molecules, including collagen I and 

collagen II [307].  

Site-specific observations further increase the accuracy of results of scaffold and 

cellular interaction. In a site-specific study, semicircular patterns of BMP-2 were printed 

in DermaMatrix™ human allograft scaffold constructs [324]. Beginning with in vitro work, 

mouse C2C12 progenitor cells differentiated in a dose-dependent fashion toward an 

osteoblastic fate spatially located along BMP-2 patterns. The printed scaffolds were then 

implanted into a mouse calvarial defect model, and showed comparable bone formation 

patterns to the in vitro results.  

In a large scale animal study, Lee et al, presented regeneration of an 

inhomogeneous, functional knee meniscus using their scaffold printed with a gradient of 

collagen densities and dual delivery of growth factors [345]. This step is significantly 

closer to an accurate biomimetic meniscus scaffold than previous work using a 

homogenous, uniform fibrous tissue [345].  
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Conclusions 
The advent of additive manufacturing techniques within the field of tissue engineering has 

aided in the development of sophisticated biomaterials that better recapitulate the native 

tissue architecture. The complex heterogeneous microarchitecture of tissue plays a 

significant role in the differentiation and recruitment of diverse populations of cells. Thus, 

it is unsurprising that for successful tissue integration one would need to optimize the 

scaffold architecture to mimic this organized and graded nature. Currently, there are 

numerous techniques that can be used to generate scaffolds that have graded properties. 

Based on achievable resolution and availability of printing inks, different approaches are 

more suited for either biochemical or physical gradient objectives. Spatial resolution 

appears to be maximized using non-hydrogel polymers in either extrusion, SLA or other 

light projection approach [286]. The optimal spatial resolution is an ideal platform for 

engineering physical characteristics, but non-hydrogel-based polymers  do not lend 

themselves easily to biochemical gradients. This challenge highlights one of the major 

limitations facing additive manufacturing: the identification of novel biomaterials that can 

be applied to these techniques. Materials and approaches need to be developed that can 

provide appropriate biological signals with the spatial resolution and control of a 

thermoplastic or synthetic polymer. While there is an abundance of newly developed 

biomaterials that show great promise, our understanding of the effect of incorporating 

graded properties needs further refinement. As such, it may be beneficial to continue to 

develop uniform scaffolds and fully understand the cell interaction in the interim.  

As described by Zhang et al., an additional area of interest is “false ECM-mimicking” 

[264]. The authors point out that some successful tissue engineering scaffolds do not mimic 

necessarily a component of the ECM, but still provide cues to direct the desired tissue 

response. For example, fiber tracks for nerve cells contribute to or influence the outgrowth 

of nerve cells to close a wound gap, although they are not based on any existing ECM 

structure [349]. Additive manufacturing provides the control and consistency needed to 

evaluate original physical and possibly chemical gradients for positive effects in tissue 

growth. However, one major challenge for tissue engineers is assessing the cellular 

response in these heterogeneous scaffolds. Most cellular techniques discussed in this 
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review provide insight in to the overall cellular response. Future techniques that analyses 

local cellular response are critical for further understanding gradient scaffolds.  

Previously, tissue engineers were limited by their fabrication techniques. Today, 

the advent of sophisticated fabrication techniques has sparked a revolution that truly gives 

complete control over the scaffold design. Thus, the future of tissue engineering depends 

on our ability to design and fabricate heterogeneous scaffolds of varied compositions that 

will further improve tissue regeneration.
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Chapter 6 

Incorporation of Fast Dissolving Glucose 
Porogens into an Injectable Calcium 

Phosphate Cement for Bone Tissue 
Engineering5 

Abstract  

Calcium phosphate cements (CPCs) have been extensively investigated as scaffolds 

in bone tissue engineering in light of their chemical composition closely resembling the 

mineral component of bone extracellular matrix. Yet, the degradation kinetics of many 

CPCs is slow compared to de novo bone formation. In order to overcome this shortcoming, 

the use of porogens within CPCs has been suggested as a potential strategy to increase 

scaffold porosity and promote surface degradation. This study explored the usage of 

glucose microparticles (GMPs) as porogens for the introduction of macroporosity within 

CPCs, and characterized the handling properties and physicochemical characteristics of 

 
5 This chapter was published as B.T. Smith*, M. Santoro*, E.C. Grosfeld, S.R. Shah, J.J.J.P. van den Beucken, 
J.A. Jansen, and A.G. Mikos, “Incorporation of Fast Dissolving Glucose Porogens into an Injectable Calcium 
Phosphate Cement for Bone Tissue Engineering,” Acta Biomaterialia, 50, 68-77 (2017). 
* denotes equal contribution  
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CPCs containing GMPs. Samples were fabricated with four different weight fractions of 

GMPs (10, 20, 30, and 40%) and two different size ranges (100-150 μm and 150-300 μm), 

and were assayed for porosity, pore size distribution, morphology, and compressive 

mechanical properties. Samples were further tested for their handling properties – 

specifically, setting time and cohesiveness. Additionally, these same analyses were 

conducted on samples exposed to a physiological solution in order to estimate the 

dissolution kinetics of GMPs and its effect on the properties of the composite. GMPs were 

efficiently encapsulated and homogeneously dispersed in the resulting composite. 

Although setting times increased for GMP/CPC formulations compared to control CPC 

material, increasing the Na2HPO4 concentration in the liquid phase decreased the initial 

setting time to clinically acceptable values (i.e. <15 min). Incorporation of GMPs led to 

the formation of instant macroporosity upon cement setting, and encapsulated GMPs 

completely dissolved in three days, resulting in a further increase in scaffold porosity. 

However, the dissolution of GMPs decreased scaffold compressive strength. Overall, the 

introduction of GMPs into CPC resulted in macroporous scaffolds with good handling 

properties, as well as designer porosity and pore size distribution via selection of the 

appropriate size/weight fraction of GMPs. The data demonstrate that GMPs are promising 

porogens for the production of highly tunable porous CPC scaffolds. 
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Introduction  

Bone tissue is primarily composed of calcium phosphate crystals. Accordingly, calcium 

phosphate cement (CPC) has a chemical composition similar to that of the mineral 

component of the extracellular matrix within native bone, and has been extensively 

investigated within the fields of orthopedic surgery and dentistry [350-352]. CPC exhibits 

osteoconductive properties, as evidenced by the encouragement of osteoblast recruitment 

and adhesion on this class of materials [353, 354]. Additionally, CPC can be readily 

injected and adapted to the shape of defects, making it ideal for filling complex bone 

defects such as those arising from maxillofacial injuries [355]. 

However, one of the drawbacks of most CPCs is their slow degradation rate, which delays 

the complete filling of the tissue defect with new bone ingrowth due to the maintenance of 

the CPC [356]. For apatitic CPCs, several studies have investigated strategies to harness 

and accelerate the degradation rate of CPCs by introducing macroporosity within the 

system [45, 357-360]. These approaches mainly rely on incorporating pore-generating 

additives (porogens) in order to increase the surface area and therefore accelerate both 

active and passive degradation. Without the presence of interconnected macropores, 

biodegradation takes place solely via surface degradation, which is a relatively slow 

process [356]. As porous scaffolds have a higher surface area for cell attachment than non-

porous scaffolds, this further facilitates de novo bone formation [361]. 

The generation of macroporosity within CPC has been achieved typically by three 

main approaches: (i) the integration of solid particles within the CPC that dissolve or 

degrade after setting, (ii) the addition of liquid droplets that can create pores after a mass 

transport phenomenon, or (iii) the formation of air bubbles during the setting period [362]. 

If the additive degrades at a faster rate than the CPC, a porous scaffold will be obtained. 

The additive must be biocompatible, not affect the CPC setting, and be easy to handle in 

the operating suite. Materials such as gelatin and poly(lactic-co-glycolic acid) (PLGA) 

have been extensively used as porogens within CPCs [45, 359]. Gelatin is known for its 

excellent biocompatibility, but it has a slow degradation rate, ultimately resulting in a 

gelatin/CPC composite with slow degradation kinetics [363]. On the other hand, PLGA 

degrades into lactic acid and glycolic acid, which can be easily eliminated from the body. 
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However, in vitro studies have shown that the complete erosion of PLGA microparticles 

within CPCs is not achieved for 8 weeks [42].  

Carbohydrates represent a class of porogens that do not present the disadvantages 

of PLGA or gelatin. Sugars dissolve in aqueous solutions and allow for the generation of 

porosity within minutes [364, 365]. Among other sugars, glucose is a naturally occurring 

metabolite that can be easily transported within cells. Allowing for natural elimination 

upon dissolution.  

The objective of the current work was to investigate the potential use of glucose 

microparticles (GMPs) as fast-acting porogens for CPC and to characterize the effects of 

GMPs on the physicochemical and handling properties of the resulting GMP/CPC 

composite scaffolds. Composite formulations were prepared with different weight fractions 

and size ranges of GMPs. Handling properties (such as setting time and cohesion) for these 

formulations were determined according to ASTM standards. Furthermore, scaffolds 

fabricated from these formulations, following GMP dissolution, were analyzed for their 

morphology, pore interconnectivity and porogen loading efficiency using microcomputed 

tomography (μCT), thermogravimetric analysis (TGA), and also for their mechanical 

properties via compressive testing. 

Materials and Methods 
Preparation of Glucose Microparticles and GMP/CPC Composites 

A quantity of 50 g of glucose powder (D-(+)-glucose, Sigma-Aldrich, St. Louis, 

MO) was mixed with 10 mL deionized water (ddH2O) and flash frozen. Following 

lyophilization, glucose microparticles (GMPs) of 100-150 μm and 150-300 μm in diameter 

were obtained through sieving. Sieved fractions of GMPs were then lyophilized overnight, 

purged with nitrogen, and stored in -20ºC freezers.  

At the beginning of the experiment, GMPs were mixed with the CPC powder 

(100% αTCP, kindly provided by CAM Bioceramics B.V. (Leiden, the Netherlands) sieved 

at <150 μm) according to five different GMP/CPC weight ratios (0/100, 10/90, 20/80, 

30/70, and 40/60). The resulting GMP/CPC mixture was then added to a 10 mL plastic 

syringe and subjected to vigorous shaking for 15 s (Silmat® mixing apparatus) to ensure a 

homogenous distribution of GMPs within the final composite. 

Then, either a solution of 4 wt % Na2HPO4 (Sigma-Aldrich) with no glucose 
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(unsaturated liquid) or a solution of 4 wt % Na2HPO4 saturated in glucose (saturated liquid, 

0.909 g/mL glucose) was added at a liquid/powder weight ratio of 0.53 and vigorously 

shaken again for 25 s. The resulting cement paste was injected into Teflon molds (6 mm 

diameter, 12 mm height), after which samples were left to set at room temperature for 24 

h and finally stored in a lyophilizer. 

Samples (n=6) were measured after setting and were found to have a height of 

12.00±0.03 mm and a diameter of 5.96±0.07 mm. Additionally, the density (n=4) of the 

0%-Sat and 40% 150-300 μm groups before and after setting were measured. 0%-Sat 

samples were found to have a density before and after setting of 2.3±0.3 g/cm3 and 2.2±0.1 

g/cm3, respectively. Also, the 40% 150-300 μm samples had a density before and after 

setting of 1.8±0.1 g/cm3 and 1.7±0.2 g/cm3, respectively. 

 Setting Time 

The initial and final setting times were assessed using a Gillmore needle (ASTM C266 

[366]). The initial setting time point was determined to be the first time when the initial 

Gillmore needle was not able to mark the specimen with a complete circular indentation, 

while the final setting time was determined to be the first time when the final setting needle 

did not mark the specimen. Cement pastes were mixed and injected into Teflon molds (6 

mm in diameter, 12 mm in height) in a retrograde fashion, after which the initial and final 

setting time of the samples was determined as described by ASTM C266 (n=3). Both wt 

% GMP in the GMP/CPC mixture and 4, 8, 16, and 24 wt % Na2HPO4 in the solution were 

used as variables for the assessment of setting times. When water is the liquid component, 

the setting reaction for αTCP is described by Equation 2  [367]: 

  

3 αCa3(PO4)2 + H2O + Na2HPO4(aq)  → Ca9(PO4)5(HPO4)OH + 2Na+ + HPO42 

Equation 2. Setting Reaction for αTCP. 
          

In Vitro Degradation  

For the degradation studies, each sample (6 mm in diameter, 12 mm height) was 

incubated in 1.5 mL of phosphate-buffered saline (PBS, pH 7.4) at 37 °C in a warm room 
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on a shaker table (rpm 90; n=4). The pH of the solution was measured after 3, 7, 14, 28, 

42, and 56 days. At each time point the PBS solution was replaced. 

Cohesive Properties 

For the determination of cohesive properties, GMP/CPC composites were mixed 

and injected into circular molds (6 mm diameter, 3 mm height), and allowed to set for 0 

min, 3 min, 6 min or 9 min, similarly to previous investigations [368, 369]. The molds were 

removed and the samples were then fully submerged into 15 mL of PBS at 37 °C. During 

this time, it was observed whether the cement retained its original shape or disintegration 

occurred. 

Porogen Loading Efficiency 

The porogen loading efficiency of GMP/CPC composites was determined with 

thermogravimetric analysis (TGA; n=3). Samples were fabricated with cylindrical Teflon 

molds that were 6 mm in diameter and 12 mm in height. They were subsequently crushed 

in a mortar and pestle, and the resulting powder was placed inside platinum TGA pans. 

Samples were heated at a rate of 10 °C/min under a nitrogen environment until 450 °C, at 

which point oxygen was introduced into the system. The percent weight remaining was 

recorded. The mass remaining in the TGA pan was attributed to the amount of αTCP in the 

samples, since αTCP does not thermally degrade below 450 °C, thereby quantifying the 

amount of GMPs within the composites.                 

Porogen Leaching 

Composite scaffolds (6 mm diameter and 12 mm height) were placed into 50 mL 

of PBS (pH 7.4) and incubated at 37 °C on a shaker table (90 rpm) for 72 hours. Every 12 

hours sample buffer was refreshed. Finally, samples were vacuum-dried and analyzed via 

TGA, microcomputed tomography and mechanical testing. 

Porosity and Interconnectivity 

Scaffold porosity and pore interconnectivity were analyzed using microcomputed 

tomography (μCT) as previously described [22]. Briefly, samples (n=4) from all 

experimental groups were scanned using a SkyScan 1172 μCT imaging system (SkyScan, 

Aartselaar, Belgium). High-resolution 1280 x 1024 pixel images were created by scanning 

at an 8 μm/pixel resolution with no filter at voltage and current settings of 40 kV and 250 

mA, respectively. Serial tomograms were reconstructed, resliced, and analyzed using 



  

 96 

NRecon and CTAn software packages provided by SkyScan. For porosity and pore 

interconnectivity analyses, the scanned object volumes were binarized using a global 

threshold of 90–255. Porosity and interconnectivity were determined using a 5-mm-

diameter x 4-mm-height cylindrical volume of interest to eliminate edge effects. Pore 

interconnectivity was determined by repeatedly applying a shrink-wrap algorithm with 

minimum interconnection sizes ranging from 12 to 96 μm. Interconnectivity is reported as 

the percentage of pore volume accessible from outside the volume of interest, with pores 

considered accessible only if the interconnection to that pore allowed spheres with a 

diameter of defined minimum interconnection size to pass through. 

Mechanical Testing 

Dried samples (6 mm diameter, 12 mm height) were placed in a mechanical testing 

bench (858 MiniBionixII®, MTS Corp., Eden Prairie, MN), and the compressive strength 

and compressive modulus along the height of the specimens (parallel to the long axis of 

the samples) were measured with a crosshead speed of 0.5 mm/min. 

Morphology Analysis 

The morphology of the GMP/CPC composites was evaluated by scanning electron 

microscopy before and after leaching in 37 °C PBS solution for 72 hrs. The samples were 

mounted on aluminum stubs using carbon tape and sputter coated with gold before 

examination. 

Phase Composition Analysis   

X-ray diffraction (XRD; Philips PW3710, The Netherlands) was used to analyze 

the effect of the GMPs on the crystallographic composition of the αTCP powders and the 

transition into hydroxyapatite (HA). CPC samples were prepared as described in section 

2.1, either or not incubated in ddH2O for 72h (to allow for transition of αTCP into HA), 

dried at physiological temperature, and finally crushed with a mortar to obtain powder. 

Powder XRD was performed with a CuKα radiation source having a wavelength of 1.54 Å 

at a voltage of 40 kV and a current of 30 mA. Furthermore, Fourier transform infrared 

spectroscopy (FTIR; Perkin Elmer, The Netherlands) was used to further assess the 

presence of functional groups in the materials.  
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 Statistical Analysis 

Continuous data are expressed as means ± 95% confidence interval. Statistical 

analysis was performed using a two-way ANOVA test followed by Tukey’s honestly 

significant difference post-hoc test. Differences were considered significant for p<0.05. 

Results  
Setting Time and Cohesion 

As seen in Figure 10, the simple use of a solution of 4% Na2HPO4 saturated in 

glucose (group 0%-Sat) increased both the initial and the final setting time compared to the 

control CPC group (0%-Unsat). However, the further introduction of GMPs tended to 

decrease the initial and final setting times. Irrespective of the size range selected, higher 

fraction of GMPs led to decreased initial and final setting times (Figure 10A). When the 

concentration of Na2HPO4 in the liquid phase was increased from 4% to 24% (Figure 10B) 

the initial setting time decreased from 122±18 to 17±4 min for the 0%-Unsat group 

respectively. In addition, it was shown that increasing the concentration of Na2HPO4 does 

not lead to crystallographic changes (Figure S5 and Figure S6).  

GMP/CPC pastes (i.e. the formulations before setting occurs) were then tested for 

their cohesiveness in aqueous solution after 0 and 3 min in order to assess the injectability 

of these composites and their ability to set in a physiological environment. As shown in 

Figure 11, the addition of the glucose-saturated liquid did not affect the cohesiveness of 

CPC, as both groups 0%-Unsat and 0%-Sat did not disintegrate when injected into an 

aqueous environment. However, composite groups with GMPs at 10 and 20% failed to 

maintain their shape at 3 min. Increased weight fractions of GMPs (>30%) improved the 

cohesive properties compared to the non-saturated controls and maintained the CPC’s 

shape upon initial injection. 
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Figure 10. A) Initial and final setting times with 4% Na2HPO4 or the different formulations 
investigated. 0%-Unsat represents the control CPC group, while 0%-Sat involves the use of 

solution saturated in glucose.  
GMPs were further introduced in the formulations according to two size ranges (100-150 

and 150-300 μm) and four weight fractions (10, 20, 30, and 40%). Within the initial setting time 
series, * and & denote significance with respect to 0%-Unsat and 0%-Sat groups, respectively. In 

the final setting time series, # and ^ denote significance with respect to 0%-Unsat and 0%-Sat 
groups, respectively (n=4, P<0.05). In both series the error bars represent the 95% confidence 

interval. The introduction of a saturated liquid phase increases both the initial and final setting 
times compared to the unsaturated controls. Increasing concentrations of GMPs did not affect 
the setting times.B) Effect of increasing the Na2HPO4 concentration in the liquid phase on the 

initial and the final setting times for the 0%-Sat groups. Within the initial setting time series, * 
denotes significance with respect to 0%-Unsat, while in the final setting time series # denoted 

significance with respect to 0%-Unsat (n=4, P<0.05). In both panels the error bars represent the 
95% confidence interval. 
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Figure 11. Evaluation of cohesive properties for the different formulations investigated.  
0%-Unsat represents the control CPC group, while 0%-Sat involves the use of a solution 

saturated in glucose. GMPs were further introduced in the formulations according to two size 
ranges (100-150 and 150-300 μm) and four weight fractions (10, 20, 30, and 40%). For all 

formulations, samples were allowed to set for either 0 or 3 min before being injected in aqueous 
solution at 37ºC. As weight fraction of GMPs increased the cohesiveness of the composites 

increased, as seen by fewer white particles and maintained geometry. 
 

Porogen Loading Efficiency and Porogen Leaching 

Samples were then tested for encapsulation efficiency of GMPs in the cement via 

thermogravimetric analysis, as shown in Figure 12. As seen in Figure S1, glucose 

completely decomposes between 150-450°C. Oxygen was introduced into the system at 
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450°C resulting in the combustion of the remaining carbon. On the contrary, αTCP has 

minimal loss over this temperature range. Since the ceramic phase does not decompose 

over the temperature range we used, the change in mass can be attributed to the amount of 

glucose present in each sample. The use of glucose-saturated curing solution allowed for 

approximately 25% of the constructs to be composed of glucose (group 0%-Sat). Higher 

weight fractions of GMPs resulted in cements with larger percentages of glucose, with 

negligible effects from the size range (p<0.05). 

The same analysis was repeated after incubation in PBS for three days at 37 °C in 

order to estimate the dissolution kinetics of GMPs. As shown in Figure 12, all glucose 

containing formulations exhibited a small loss of about 5% after leaching, indicating a 

small amount of glucose still present in the system. 

 

Figure 12. Mass left for the different formulations after setting, as determined by TGA, 
before and after leaching in an aqueous solution at 37ºC for 72 hrs.  

The mass remaining in the sample pan was attributed to the amount of αTCP in the samples, 
since αTCP does not thermally degrade below 450 °C, thereby quantifying the amount of GMPs 
within the composites.  0%-Unsat represents the control CPC group, while 0%-Sat involves the 

use of a solution saturated in glucose. GMPs were further introduced in the formulations 
according to two size ranges (100-150 and 150-300 μm) and four weight fractions (10, 20, 30, and 
40%). Within the Pre leaching series, * and & denotes significance with respect to 0%-Unsat and 
0%-Sat groups, respectively (n=3, P<0.05). In the Post leaching series, # denotes significance with 
respect to 0%-Unsat group. In both series the error bars represent the 95% confidence interval. 
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Phase Composition and Morphology   

XRD allowed characterization of the effect of GMPs on the phase composition of 

αTCP before and after leaching. Figure S2 shows XRD patterns for the GMP/CPC 

composites. After the samples were leached for 72 hrs, all of the αTCP transformed into 

HA, as evidenced by the disappearance of the αTCP peak around a 2Θ value of 30.9° and 

the appearance of characteristic HA peaks around 2Θ values of 25.8° and 31.8° [370, 371]. 

Furthermore, FTIR spectra (Figure S3) revealed characteristic apatite absorption bands 

[370]. The morphologies of the GMPs are presented in Figure 13. Both preparations 

showed individual particles with well-preserved geometry. Figure 14 shows SEM 

micrographs of the internal structure of the GMP/CPC composites. The use of glucose-

saturated curing solution resulted in the creation of smooth pores within the GMP/CPC 

composites, as seen when comparing groups 0%-Unsat and 0%-Sat. The introduction of 

GMPs in the 150-300 μm range resulted in larger pores compared to the 100-150 μm range 

for all GMP weight fractions investigated. Interestingly, the use of GMPs corresponded 

with the presence of glucose deposits in the constructs, as shown by the bright white regions 

in Figure 14. These glucose deposits are no longer seen following leaching of the scaffolds. 

On the contrary, rounder pores derived from the dissolution of the GMPs can be observed 

within the internal structure. 

Figure 13. GMPs external morphology analyzed via scanning electron microscopy 
(SEM) upon fabrication. The white scale bar represents 200 μm in all micrographs. 
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Figure 14. Internal morphology of scaffolds analyzed via scanning electron microscopy 
(SEM) upon fabrication (Pre Leaching series) and after 72 hrs of leaching into PBS at 37ºC (Post 

Leaching series). 
 0%-Unsat represents the control CPC group, while 0%-Sat involves the use of solution 

saturated in glucose. GMPs were further introduced in the formulations according to two size 
ranges (1001-50 and 150-300 μm) and four weight fractions (10, 20, 30, and 40%). The white 

scale bar represents 100 μm in all micrographs. 
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Porosity and Pore Size Distribution 

Qualitative and quantitative μCT analyses corroborate SEM findings, as shown in 

Figure 15 and Figure 16. μCT longitudinal cross-sections of samples revealed that groups 

containing GMPs had a higher overall porosity as compared to the 0%-Unsat control group. 

This is qualitatively seen in the increased number of dark areas, indicating a greater 

presence of air space instead of calcium phosphate. The presence of round and smooth 

pores increased with the weight fraction of GMPs. Additionally, groups containing GMPs 

in the 150-300 μm range showed larger pores compared to groups with GMPs in the 100-

150 μm range. Overall, GMP distribution within the composite was homogeneous for all 

experimental groups (Figure 15). 

 

Figure 15. Representative μCT cross sections of GMP/CPC composites pre-leached.  
0%-Unsat represents the control CPC group, while 0%-Sat involves the use of a solution 

saturated in glucose. GMPs were further introduced in the formulations according to two size 
ranges (100-150 and 150-300 μm) and four weight fractions (10, 20, 30, and 40%). Scale bar 

represents 1 mm. 
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Evaluation of porosity by μCT reveals the three-dimensional structure of the 

GMP/CPCs composite and thus estimates the overall porosity. While the use of a glucose-

saturated curing solution did not increase scaffold porosity compared to 0%-Unsat, the use 

of GMPs had a significant effect on this parameter (Figure 16). The introduction of GMPs 

led to the formation of pores instantly upon cement setting, and observed porosity increased 

with higher weight fraction of GMPs. Prior to leaching, the porosity increased from 5% 

(for the 10% GMP/CPC composites) to 25% (for the 40% GMP/CPC composites) for the 

smaller GMPs. The composites incorporating larger GMPs increased from 8% (for the 10% 

GMP/CPC) to 40% (for the 40% GMP/CPC composites). Notably, the size of the GMPs 

increased the overall porosity as well. Upon dissolution of the GMPs, scaffold porosity 

further increased on average by an additional 20-30% (except group 0%-Unsat). 
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Interestingly, the size range of GMPs had a striking effect on the pore size 

distribution, as shown in Figure 17. The addition of 100-150 μm size GMPs microparticles 

resulted in the majority of pores being within 42-174 μm, irrespective of the loading 

fraction of GMPs. Conversely, the addition of 150-300 μm size GMPs resulted in the 

majority of pores being between 100-330 μm with a much broader pore size distribution. 

The formation of macropores ≥50 μm was possible only with the introduction of GMPs in 

the CPCs, as the use of a glucose-saturated curing solution alone had little effect on the 

pore size distribution, as can be seen when comparing groups 0%-Unsat and 0%-Sat in 

Figure 17. 

 

Figure 16. Overall porosity of the GMP/CPC composites evaluated via μCT upon fabrication 
(Pre Leaching series) and after 72 hrs of leaching into PBS at 37ºC (Post Leaching series).  

0%-Unsat represents the control CPC group, while 0%-Sat involves the use of solution 
saturated in glucose. GMPs were further introduced in the formulations according to two size 

ranges (100-150 and 150-300 μm) and four weight fractions (10, 20, 30, and 40%). Within the Pre 
leaching series, ^ and # denotes significance with respect to 0%-Unsat and 0%-Sat groups, 

respectively (n=3, P<0.05). In the Post leaching series, * and & denote significance with respect to 
0%-Unsat and 0%-Sat groups, respectively. In both series the error bars represent the 95% 

confidence interval. Porosity was increased by the use of GMPs, with larger GMPs imparting a 
greater increase in porosity than smaller GMPs. 
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Pore interconnectivity was another parameter significantly affected by the weight 

fraction of GMPs present in the composite (Figure 18). Control CPC was composed mainly 

of closed micropores (group 0%-Unsat), and the addition of glucose-saturated curing 

solution (group 0%-Sat) did not promote the formation of open pores. As seen in Figure 

S4, the incorporation of GMPs increased the percentage of open porosity and the 

availability of objects, ranging from 12 to 96 μm to penetrate within the scaffolds. A higher 

fraction of GMPs resulted in a higher percentage of open porosity, in particular with the 

incorporation of 30-40% GMPs. Additionally, the percentage of accessible porosity for 

larger sized objects increased as a function of GMP size range.  

 

 

Figure 17. A) Pore size distributions from representative sections of the GMP/CPC 
composites fabricated with four different weight fractions of GMPs (10, 20, 30, and 40%) in the 

100-150 μm range. 
 B) Pore size distribution from representative sections of the GMP/CPC composites 

fabricated with four different weight fractions of GMPs (10, 20, 30, and 40%) in the 150-300 μm 
range. In both panels, 0%-Unsat represents the control CPC group while 0%-Sat involves the 

use of solution saturated in glucose. 
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In Vitro Degradation  

In order to assess whether GMP and/or CPC degradation may lead to an acidic 

environment, we incubated GMP/CPC samples over a period of 8 weeks in physiological 

conditions (Figure 19). All experimental groups showed an initial decrease in pH, with 

GMP-containing groups displaying a greater decrease in pH than control group 0%-Unsat. 

However, within 4 weeks, all groups stabilized to a pH value comparable to that of the 0%-

Unsat control group. From week 4 onward, GMP-containing samples had a pH higher than 

that of both groups 0%-Unsat and 0%-Sat. This increase in pH was more pronounced for 

GMPs in the 150-300 μm range than in the 100-150 μm range. Overall, the pH never fell 

below 6 for any experimental groups indicating that sample degradation did not produce a 

significantly acidic environment. 

 

 
 
 
 

Figure 18. A) Representative pore interconnectivity of the GMP/CPC composites fabricated 
with four different weight fractions of GMPs (10, 20, 30, and 40%) in the 100-150 μm range.  

B) Representative pore interconnectivity of the GMP/CPC composites fabricated with four 
different weight fractions of GMPs (10, 20, 30, and 40%) in the 150-300 μm range. In both 

panels, 0%-Unsat represents the control CPC group while 0%-Sat involves the use of solution 
saturated in glucose. Both graphs represent the percentage of porosity available to allow the 

penetration of an object of a given size. 
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Mechanical Properties  

The compressive modulus and strength of the GMP/CPCs before and after leaching 

is presented in Figure 20. The addition of the glucose-saturated curing solution (group 0%-

Sat) resulted in a decrease in the compressive modulus from 440±234 to 280±139 MPa. In 

these conditions, the further introduction of GMPs in the formulation did not have an effect 

on the compressive properties. In addition, the compressive modulus further decreased 

after samples were leached for three days. This reduction in compressive strength was 

exacerbated at higher weight fractions of GMPs, regardless of the GMP size range chosen. 

On the whole, all glucose-containing CPCs had a significantly lower compression modulus 

than the control group 0%-Unsat, both before and after leaching. The same trend was 

observed for the compressive strength. The addition of the glucose-saturated curing 

solution resulted in a decrease in the compressive strength.  

 

 

Figure 19. A) Change in pH with time of solutions containing GMP/CPC composites 
fabricated with four different weight fractions of GMPs (10, 20, 30, and 40%) in the 100-150 μm 

range.  
B) Change in pH with time of solutions containing GMP/CPC composites fabricated with 

four different weight fractions of GMPs (10, 20, 30, and 40%) in the 150-300 μm range. In both 
panels, 0%-Unsat represents the control CPC group while 0%-Sat involves the use of solution 
saturated in glucose. Solid circles indicate difference from 0%-Unsat group, while ^ indicates 

difference from 0%-Unsat group within each time point (n=4, P<0.05). Error bars represent the 
95% confidence interval in both panels. 
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Discussion 
The current study investigated the use of glucose microparticles (GMPs) as fast-

dissolving porogens for calcium phosphate cement (CPCs), with the ultimate goal of 

designing a stable porogen during cement setting that can dissolve rapidly and therefore 

generate macroporous CPC. For this study, we selected four different weight fractions (10, 

20, 30, and 40%) and two GMP size ranges (100-150 and 150-300 μm) and characterized 

how these parameters affected the physiochemical characteristics of the resulting 

GMP/CPC composites. Furthermore, the GMP/CPC composites were subjected to 

standardized testing for setting time and cohesiveness, two handling properties relevant to 

the clinical use of these materials as injectable cements for bone repair. 

Regarding the handling properties of the GMP/CPC composites, the introduction 

of GMPs significantly altered the properties as compared to CPC control specimens 

without added microparticles. The introduction of the glucose-saturated liquid increased 

both the initial and final setting time above a clinically relevant window. A potential 

explanation for this observation is that glucose is more hydrophilic than the calcium 

phosphate cement, sequestering water from the cement and thus leading to increased setting 

times [45]. The observed increase in setting times is much higher then previous reports 

using water-soluble porogens [38, 372]. However, it was shown that adding a higher 

Figure 20. Compressive modulus (A) and compressive strength (B) of different formulations 
tested upon fabrication (Pre Leaching series) and after 72 hrs of leaching into PBS at 37ºC (Post 

Leaching series).  
0%-Unsat represents the control CPC group, while 0%-Sat involves the use of a solution 

saturated in glucose. GMPs were further introduced in the formulations according to two size 
ranges (100-150 and 150-300 μm) and four weight fractions (10, 20, 30, and 40%). Within each 

series, ^ and # indicate statistical difference from any other group (P<0.05), while * indicate 
differences between Pre and Post leaching within each group. Error bars represent the 95% 

confidence interval (6≤ n ≤ 12) in both panels. 
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concentration of Na2HPO4 could counteract the effects of the GMPs on setting times – thus, 

bringing the initial setting time within a window where wound closure would not be 

delayed for a significant amount of time [373]. Additionally, it has been shown that 

measuring setting times at 37 °C further reduces the setting time [356]. However, the 

introduction of GMPs improved the cohesiveness of the cements when introduced into an 

aqueous environment, thus making them suitable as injectable systems for in vivo 

applications. It was observed that cement cohesiveness improved as the weight fraction of 

GMPs increased, irrespective of GMP size chosen. We contend that the GMPs also absorb 

some of the liquid phase, resulting in a paste with a higher viscosity and thus allowing the 

cement to resist immediate degradation when introduced into an aqueous environment.  

The leaching analyses emphasized that the majority of the GMPs as well as the 

precipitated glucose are removed from within the composites within three days, thus 

showing that GMPs are fast dissolving porogens. The high solubility and fast dissolution 

rate of glucose allows for most of it to be removed in a relatively short amount of time. 

SEM micrographs demonstrated the generation of pores before the GMPs were leached 

from the composite scaffolds. In addition, they suggested that GMPs were homogenously 

distributed. Several studies have investigated the effects of different porogens on CPC 

macroporosity and have demonstrated that a porous structure is critical to support tissue 

infiltration [42, 45, 373]. The introduction of GMPs successfully generated macroporosity 

within the composites. Composites containing 40% GMPs showed overall porosity values 

that were slightly lower then other porous cements fabricated out of water-soluble porogens 

[38]. However, these cements took several weeks to reach their maximum porosity. Overall 

it was observed that the majority of the porosity was established before the GMPs were 

leached from within the composites, as seen by the μCT data. It is hypothesized that during 

the setting reaction, the GMPs dissolve within the cement, leaving a void space. In order 

to generate an interconnected pore structure, the volume fraction of porogens should 

exceed 40 % [42]. The μCT data corroborated these findings. In regards to pore size, 

previous studies have shown the importance of pores larger then 100 μm for bone tissue 

engineering [374]. As such, the pore distributions revealed that pores would be of sufficient 

size to support tissue infiltration. Furthermore, the addition of 30% and 40% GMP showed 

the development of an interconnected pore structure, while the 10% and 20% formulations 
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lacked meaningful interconnectivity. Interestingly, we found that post-leached samples 

only had a slight increase in macroporosity. Previous studies have shown that the 

degradation or dissolution of the porogen is accompanied with a large increase in 

macroporosity [38, 359, 360, 375-378]. Thus, we envision GMPs could be combined with 

other porogens in order to introduce an initial porosity and assist with the degradation of 

the second porogen. 

In the present study, the in vitro degradation study was performed with refreshing 

of the soaking medium at every time point. The composites showed an initial decrease in 

pH after 3 days of incubation in PBS. This initial drop in pH is mainly caused by the 

transformation of the αTCP phase into the apatitic phase [359]. This initial drop in pH was 

exacerbated in GMP-containing groups, which exhibited, however, a less acidic pH than 

control CPC groups at later time points. This phenomenon might be explained by the higher 

porosity of GMP/CPC composites compared to that of control CPC, which results in a 

higher surface area and hence a faster release of acidic byproduct deriving from the initial 

transformation of αTCP to apatite. After this initial burst release of acidic leachables (that 

regardless, does not produce a strongly acidic environment), the solution pH in GMP-

containing groups was maintained around physiological conditions. This was not the case 

for the control CPC group 0%-Unsat, where the diffusion of acidic byproducts occurred 

over an 8-week period in light of the significantly lower surface area available for mass 

transfer. 

Finally, it was observed that the addition of the GMPs worsened the mechanical 

properties of the composites. However, these values are in agreement with other studies 

with apatitic cements [379, 380]. Additionally, these results are in agreement with reported 

work of a decrease in the mechanical properties of CPC-based scaffolds upon introduction 

of macroporosity, further stressing the important role that porosity plays on the mechanical 

properties [45].  

  



  

 112 

Conclusions 
 In this study, we fabricated GMPs that can be easy handled and incorporated within 

CPC. By changing the content of GMPs, clinically relevant handling properties such as 

cohesiveness, setting time, and overall macroporosity can be tailored. In addition, these 

porogens were completely dissolved in 3 days resulting in a further increase in scaffold 

porosity. In vitro degradation studies showed that throughout the 8-week degradation 

study, the local pH was maintained at a neutral pH range. However, the inclusion of GMPs 

had a detrimental effect on the compressive strength of the composites. This work 

demonstrates that GMPs can be utilized as a fast dissolving porogen for the creation of 

macroporosity within CPC. 
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Supporting Information  

 

Figure S1. Representative thermogravimetric analysis (TGA) profiles of glucose and αTCP 
degradation under an inert nitrogen atmosphere. Oxygen was introduced into the system at 

450°C, at which the residue carbon was subjected to combustion. Weight % data are normalized 
to the initial weight after the evaporation of water at 100oC. 

 

 
Figure S2. X-ray diffraction (XRD) patterns for different GMP/CPC formulations analyzed 

(A) pre leached and (B) post leached. Spectra reveal that all αTCP transforms into HA as seen by 
the disappearance of the peak at a 2Θ value of 30° and the emergence of two peaks at 2Θ values 

of 25.8° and 31.8°. 
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Figure S3. Fourier transform infrared spectroscopy (FTIR) patterns for different GMP/CPC 

formulations analyzed (A) pre leached and (B) post leached. Spectra show absorption bands 
characteristic for apatite at 900 cm-1 while the disappearance of the C=O and O-H stretch at 

1500 cm-1 and 3200 cm-1, respectively, confirms the dissolution of glucose within 72 hrs. 
 

 
Figure S4. Representative μCT reconstructions of 0%- Sat (A) and 40% 100-150 μm (B) 

GMP/CPC composites sectioned in half. Grey represents the bulk phase while red and green 
represent closed and open pores, respectively. Scale bar represents 1 mm. 

 



  

 115 

 
Figure S5. X-ray diffraction (XRD) patterns where the concentration of Na2HPO4 was 

increased for 20% 100-150 μm GMP/CPC composites. Samples were placed in PBS for 72 hours. 
Spectra reveal that increasing the concentration of Na2HPO4 does not lead to crystallographic 

changes. 
 

 
Figure S6. Fourier transform infrared spectroscopy (FTIR) patterns where the 

concentration of Na2HPO4  was increased for 20% 100-150 μm GMP/CPC composites. Samples 
were placed in PBS for 72 hours. Spectra reveal that increasing the concentration of Na2HPO4 

within the liquid phase does not influence the transition to hydroxyapatite. 
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Chapter 7 

Fast Dissolving Glucose Porogens for Early 
Calcium Phosphate Cement Degradation and 

6Bone Regeneration 

Abstract 

Here, we investigated the in vivo efficacy of glucose microparticles (GMPs) to 

serve as porogens within calcium phosphate cements (CPCs) to obtain a fast-degrading 

bone substitute material. Composites were fabricated incorporating 20 wt% GMPs at two 

different GMP size ranges (100-150 µm (GMP-S) and 150-300µm (GMP-L)). 

Formulations that incorporated GMPs were compared to CPC containing 20 wt% 

poly(lactic-co-glycolic acid) microparticles (PLGA MPs), and plain CPC. Samples were 

implanted as pre-set samples in a rat femoral condyle bone defect model. After 2 and 8 

weeks, specimens were retrieved and analyzed for material degradation and bone formation 

 
6 This chapter was published as E.C. Grosfeld*, B.T. Smith*, M. Santoro, I. Lodoso-Torrecilla, J.A. 
Jansen, D.J.O. Ulrich, A. J. Melchiorri, D.W. Scott, A.G. Mikos and J.J.J.P. van den Beucken, “Fast 
Dissolving Glucose Porogens for Early Calcium Phosphate Cement Degradation and Bone Regeneration” 
In Submission. Advance Healthcare Materials, (2019). 
* denotes equal contribution  
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using histological and histomorphometric methods. Histologically, no adverse tissue 

response to any of the CPC-formulations was observed after either 2 or 8 weeks. After 2 

weeks of implantation, all CPC-porogen formulations showed faster degradation compared 

to CPC control. However, after 2 weeks of implantation, only GMP-containing 

formulations showed significantly higher amounts of new bone formation compared to 

CPC controls, while there was no observable difference between PLGA-CPC and CPC. 

After 8 weeks, only CPC-porogen formulations with GMP-S or PLGA porogens had 

significantly more material degradation compared to CPC controls. Overall, the inclusion 

of GMPs into CPCs resulted in a macroporous structure that initially accelerated the 

generation of new bone. In conclusion, this study presents a novel approach that leverages 

a simple metabolically active molecule to generate porous CPCs.   
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Introduction 
Pathologies such as trauma, post-traumatic complications, congenital defects, or 

tumor resection commonly result in extensive loss of bone tissue and the formation of a 

critical size defect unable to heal.[381] These critical size bone defects require bone 

grafting to aid in bone regeneration or augmentation. Currently, autologous bone grafting 

is the gold standard and the second most commonly transplanted tissue in the United States, 

with more than half a million procedures annually. [382-386]  Autologous bone grafts have 

been shown to be osteoinductive, osteoconductive, as well as osteogenic.[387] Yet, patients 

may present with donor site morbidity at the harvesting location, and treatments involving 

autologous bone transplantation are limited by the volume of available donor tissue.[388] 

Given these drawbacks, a clinical need to develop new treatment strategies that facilitate 

bone regeneration is apparent. Toward this end, the development of synthetic biomaterials 

for bone graft applications has been a focal point for researchers over the recent decades. 

Specifically, calcium phosphate (CaP) based ceramics have been widely used in the fields 

of orthopedic surgery, oral-maxillofacial surgery, and dentistry, since the CaP phase 

hydroxyapatite is the main inorganic component of bone extracellular matrix.[389] In the 

clinical setting, CaP biomaterials are available in several different configurations, 

including dense blocks, granules, and cements.[350, 390, 391]  

Due to a small intrinsic pore size (1-15 μm) within CPCs, bone tissue growth is 

limited to the surface of the cement and is unable to penetrate into the internal architecture 

of the cement.[392] Macroporosity, defined as porosity of pores larger than 100 µm, can 

be introduced within CPCs to increase surface area, thus fostering the active degradation 

of CPCs.[393] Particularly when macropores form an interconnected porous network, cells 

can penetrate into the internal structure of the cement and promote angiogenesis.[394] 

Several techniques have been explored for the creation of interconnected macropores, 

including the addition of foaming agents, the introduction of biodegradable microspheres, 

and water-soluble crystals.[41, 379, 393, 395, 396] Specifically, several in vivo studies 

demonstrated the utility of leveraging poly(lactic-co-glycolic-acid) (PLGA) porogens for 

enhanced bone regeneration [363, 393, 397-399], with almost full material degradation and 

bone replacement after 26 weeks of implantation in a rabbit femoral condyle bone 

defect.[400] However, the hydrolytic degradation of PLGA results in a delayed onset of 
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CPC erosion that is highly dependent on several factors such as the molecular weight, 

copolymer ratio, and particle size.[42] Ideally, the rate of CPC degradation and new bone 

formation should approximately match. As such, the infiltration of cells, blood vessels, and 

ultimately bone tissue could be constrained by the degradation rate of the porogen. In order 

to overcome this challenge, one could incorporate a  porogen with an earlier onset of 

degradation or dissolution. Previously, we demonstrated the feasibility of fabricating an 

injectable CPC in which glucose microparticles (GMPs) served as a porogen.[401] In this 

study, it was observed that by altering the weight fraction and size of GMPs one could 

control the porosity and degradability of GMP/CPC composites. Furthermore, GMPs were 

completely dissolved within 3 days of incubation in phosphate-buffered saline, resulting in 

an interconnected, macroporous CPC.[401] 

In this study we evaluated the efficacy of GMPs as a fast-acting porogen for CPCs 

in vivo. We hypothesized that incorporation of GMPs would rapidly generate a 

macroporous CPC composite after GMP dissolution without an adverse tissue response. 

Furthermore, we hypothesized that CPC-GMP formulations would show an early onset of 

CPC degradation in contrast to the delayed onset of CPC-PLGA degradation. 

Consequently, the fast dissolution of GMPs would promote early bone tissue ingrowth into 

the scaffold. Regarding particle size, we hypothesized that small GMPs would show 

enhanced material degradation and bone formation compared to large GMPs due to the 

relatively increased surface area that forms upon porogen dissolution. Formulations were 

implanted as pre-set samples in a rat femoral bone defect for screening purposes of the 

newly developed experimental CPC-GMP composites. Histological and 

histomorphometric analyses for material degradation and newly formed bone were 

performed after 2 and 8 weeks of implantation. 
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Materials and methods 
Preparation of CPC-porogen formulations and scaffolds 

Scaffolds were fabricated as previously described.[401] Briefly, GMPs (Sigma-

Aldrich, St. Louis, MO) or PLGA MPs (sieved between 50-100 µm, acid terminated, 

lactic:glycolic acid ratio (L:G) = 50:50, generously supplied by Purac (Gorinchem, 

Netherlands)) were added to CPC powder (100% αTCP, kindly provided by CAM 

Bioceramics B.V. (Leiden, the Netherlands)) following the experimental groups outline in 

Table S1.A solution of 24 wt% Na2HPO4 (Sigma-Aldrich, St. Louis, Missouri, USA) 

saturated in glucose (saturated liquid, 0.909 g/mL) was then added at a liquid/powder ratio 

of 0.53 and vigorously shaken for 25 s. The resulting cement paste was injected into Teflon 

molds (2.5 mm diameter, 5 mm high), left to set at room temperature for 24 h, and the 

formed constructs were stored in a lyophilizer. To analyze the porosity and pore 

distribution, constructs (n=3) were scanned by microcomputed tomography (micro-CT, 

Skyscan 1272, Aartselaar, Belgium) at a resolution of 12 μm/pixel. Raw images were 

reconstructed in NReconn and analyzed in CTan (SkyScan, Aartselaar, Belgium) using a 

region of interest that was 2 mm in diameter and 3 mm tall. Finally, all samples were 

sterilized by gamma irradiation at a minimum dose of 25kGy (Synergy Health Ede, B.V., 

Ede, the Netherlands).  

Animal model and surgical procedure 

Thirty-two skeletally mature, male, Wistar rats with weights ranging from 200 to 250 

grams were used as experimental animals (n=8 per experimental group, per time-point). 

The animals were housed at the Central Animal Laboratory (Radboudumc, Nijmegen, the 

Netherlands) with respect to the national guidelines for the care and use of laboratory 

animals, following the guidelines of the 2010/63/EU directive. The study was reviewed 

and approved in advance by the Centrale Commissie Dierproeven (CCD; Central 

Commission for Animal Experiments; CCD number AVD103002015227). Surgery was 

performed according to the procedure described previously by our laboratory.[402] The 

rats underwent a one-session surgical procedure under general inhalation anesthesia 

induced by and maintained with a mixture of isoflurane and oxygen through a constant 

volume ventilator. The surgical sites were shaved and disinfected with povidone-iodine, 

followed by a sterile dressing. A longitudinal incision was made medially from the patella. 
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Subsequently, the distal femur was made visual by lateralizing the patella. The periosteum 

was bluntly dissected of the femoral bone. Bone defects were created in the longitudinal 

direction of the bone using a dental drill, increasing the diameter of the bur until a defect 

of 2.5 mm in diameter and 5 mm in depth was reached. Pre-set cement samples were placed 

into the bone defects. Subcutaneous tissue was closed with resorbable sutures (Vicryl 4.0, 

Ethicon, Somerville, New Jersey, USA). The skin was closed with surgical staples. 

Materials were allocated over the 64 defects through randomization with respect to the fact 

that the right and left femur would contain different experimental materials. Carprofen 

(Rimadyl®, Zoetis B.V., Capelle aan de IJssel, the Netherlands) was administered before 

surgery and for 3 days post-surgery to reduce post-operative pain and inflammatory 

response. After either 2 or 8 weeks, animals were euthanized by an overdose of CO2, the 

femora were retrieved, the excess soft tissue was removed, and the excess bone was cut off 

with a diamond blade saw. 

Histological procedures 

Specimens were fixed in 4% phosphate-buffered formaldehyde solution (pH 7.2), 

dehydrated in graded series of ethanol concentrations (70-100%) and finally embedded in 

poly(methyl methacrylate) (PMMA). Thin sections of 10 µm in thickness were prepared 

in a cross-sectional direction perpendicular to the longitudinal direction of the bone defect 

using a saw microtome with a diamond blade (Leica SP 1600, Leica Biosystems Nussloch 

GmbH, Nussloch, Germany). The sections were stained with methylene blue and basic 

fuchsine to stain bone tissue, CPC, and fibrous tissue. 

Histological and histomorphometric analysis 

Histological evaluation (n ≥ 3) was performed using a light microscope (Leica 

Microsystems AG, Wetzlar, Germany). Histomorphometric analysis was performed by 

quantifying the amount of material remaining or newly formed bone within the region of 

interest (ROI) in each of the sections. To this end, a circular region of interest (ROI) of 

2.45 mm in diameter was imposed on the histological image and centered in the middle of 

bone defect. The relative area of material remnants and bone tissue (based on staining and 

morphology) was quantified using image analysis software (ImageJ2, National Institutes 

of Health, Bethesda, Maryland, USA). The percentage of material remaining and newly 

formed bone was calculated by taking the respective area measured by ImageJ and dividing 
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it by the ROI area. Next, the percentage of material remnants and percentage of newly 

formed bone were compared at both time points.  

Statistical analyse 

Statistical analyses were performed with GraphPad Prism 7 (GraphPad Software, 

San Diego, California, USA). Data were presented as the mean ± standard deviation (SD). 

Sample size varied per experimental group. Table S2. Overview of the number of implants 

placed, retrieved and analyzed per group after 2 and 8 weeks. shows an overview of the 

sample size per implantation period. 

A Kruskal-Wallis test with a Dunn’s multiple comparison test was used to identify 

significant differences among CPC-GMP-L, CPC-GMP-S, CPC-PLGA, and CPC. A Mann 

Whitney test was used to determine significant differences from 2 to 8 weeks within each 

experimental group. Results were considered significant at p < 0.05. 
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Results 
Figure 21 A-D shows representative longitudinal cross-sectional micro-CT images 

of the pre-implanted composites. The incorporation of either porogen resulted in a 

homogenous pore distribution. In addition, larger pores can be observed in composites that 

included GMPs compared to composites that incorporated PLGA MPs. As shown in Figure 

21E, the addition of 20 wt% GMP-S resulted in the majority of the pores being between 

112-304 μm. While the addition of GMP-L resulted in the majority of pores being between 

240-400 μm. In addition, the incorporation of PLGA MPs created a majority of pores 

between 112-272 μm. On the contrary, the majority of the pores in the CPC control were 

not large enough to be considered macropores (>100 μm). 

  

Figure 21. Representative longitudinal cross-sectional images of the implanted cylindrical 
(2.5 mm in Ø, 5.0 mm in length) composites, generated by Micro-CT; CPC-GMP-L (A); 

CPC-GMP-S (B); CPC-PLGA (C); CPC (D). Pore size distributions from representative sections 
of the composites (E). 



  

 124 

Descriptive light microscopy 

The surgical procedure was uneventful for all animals. Animals regained mobility 

within one day after surgery. During the course of the experiment, no signs of inflammation 

or adverse tissue responses at the surgical site were observed. At each time point (i.e. 2 and 

8 weeks), 18 rats were euthanized, from which 72 total specimens were retrieved. A total 

of 10 samples were excluded from the study, 5 due to inferior staining quality and 5 

samples were excluded due to the quality of the implanted scaffold (i.e. cracks in the 

scaffold). An overview of the number of implants placed, retrieved and analyzed is 

presented in Table S2. Overview of the number of implants placed, retrieved and analyzed 

per group after 2 and 8 weeks.. 

2-week implantation period 

Light microscopic evaluation revealed that after 2 weeks all implants maintained 

their integrity (Figure 22) and there was no sign of an adverse tissue response. Irregularly 

formed pores were observed within both CPC-GMP-L and CPC-GMP-S. Both CPC-GMP 

implants showed a porous structure at the surface of the implant. This observation was 

more apparent for CPC-GMP-L than for CPC-GMP-S. Pores of CPC-GMP-L were 

observed adjacent to the implant border. Newly formed bone was observed in the pores of 

CPC-GMP-L and in the smaller pores of CPC-GMP-S adjacent to the perimeter of the 

implant (magnifications Figure 22A and Figure 22B, respectively). A homogeneous pore 

distribution was observed for CPC-PLGA. Borders of CPC-PLGA implants were clearly 

distinguishable. A line of newly formed bone adjacent to the original border of the implants 

was observed for CPC-GMP-L, CPC-GMP-S, and CPC-PLGA for the samples in which 

the borders were in close contact to the original bone tissue (magnifications Figure 22A, 

B, and 2, respectively). A fibrous tissue layer was observed in between the bone and the 

CPC for a few implants in each group where the scaffolds did not exhibit adequate contact 

with the bone. No material degradation was observed for CPC (Figure 22D). Light 

microscopic analysis revealed that bone was in direct contact with the CPC surface. At 

some locations, trabecular voids were observed, including bone marrow (magnification 

Figure 22D). 

8-week implantation period 

Light microscopic evaluation revealed that 8 weeks after implantation, 
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CPC-GMP-L, and CPC-PLGA showed substantial material degradation toward the center 

of the implant (Figure 23A and C, respectively). For CPC-GMP-S, material degradation 

towards the center of the implant was observed in a lesser extent (Figure 23B). The original 

borders of the CPC-GMP implants and CPC-PLGA implants were not clearly 

distinguishable. Newly formed bone was present in the ROI in areas where the material 

had degraded and in the macropores within material remnants. For CPC-PLGA, increased 

pore size was observed compared to 2 weeks of implantation and interconnection between 

macropores was observed Figure 23). Furthermore, the newly formed bone was observed 

in the interconnected structure of macropores present in the remnants of the CPC-PLGA 

implants (magnification Figure 23C). For CPC, limited material degradation was observed 

solely at the periphery of the implant (Figure 23D). However, newly formed bone was 

observed at the periphery of the implant, within the ROI (magnification Figure 23D). 
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Figure 22. Histological overview and magnifications of CPC formulations implanted in a rat 

femoral bone defect at 2 weeks.  
Pores resulting from GMP-L (A), GMP-S (B) and PLGA MPs (C) can be discriminated 

based on size differences. Smaller pores showed a more homogenous pore distribution. Limited 
tissue infiltration in peripheral pores was apparent for CPC-GMP-L (magnification A). Pure 

CPC (D) showed no material degradation. Bone guided over the surface of the CPC was 
observed (magnification of 2D). 
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Figure 23. Histological overview and magnifications of CPC formulations implanted in a rat 

femoral bone defect at 8 weeks.  
At 8 weeks, CPC-GMP-L (A) and CPC-GMP-S (B) showed further degradation. Bone 

ingrowth in the pores was observed (magnifications A and B). Significant degradation of 
CPC-PLGA (C) and a newly formed bone network within the porous structure was observed 

(magnification C). Pure CPC solely showed degradation at the periphery of the CPC (D). 
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Histomorphometry 

Material degradation 

Histomorphometric results concerning material degradation are presented in Figure 

24A. After 2 weeks of implantation, CPC-GMP-L, CPC-GMP-S, and CPC-PLGA all 

showed significantly lower material remnant values compared to CPC (p < 0.05). After 8 

weeks of implantation, CPC-GMP-S and CPC-PLGA showed significantly lower material 

remnant values compared to CPC (p < 0.05). No significant difference in material remnant 

values was detected for CPC-GMP-L compared to CPC (p > 0.05). Material remnant values 

were similar for CPC-GMP-L and CPC-GMP-S (p > 0.05).CPC-GMP-L and CPC-GMP-S 

showed similar material remnant values at the 8 weeks time point compared to the 2 weeks 

time point (p > 0.05). CPC-PLGA showed significantly lower material remnant values at 

8 weeks compared to 2 weeks (p < 0.05). 

Bone formation 

Histomorphometric results concerning new bone formation are presented in Figure 

24B. At 2 weeks, CPC-GMP-L and CPC-GMP-S showed a higher amount of newly formed 

bone compared to CPC (p < 0.05 for both CPC-GMP formulations), while CPC-PLGA 

showed a similar amount of newly formed bone compared to CPC (p > 0.05). In addition, 

the amount of newly formed bone was similar for CPC-GMP-L and CPC-GMP-S (p > 

0.05). At 8 weeks, CPC-GMP-L and CPC-GMP-S showed similar amounts of newly 

formed bone compared to CPC (p > 0.05). CPC-PLGA showed a significantly higher 

amount of newly formed bone compared to CPC (p < 0.05). The amount of newly formed 

bone was similar for CPC-GMP-L and CPC-GMP-S (p > 0.05). CPC-GMP-S and 

CPC-PLGA showed significantly higher amounts of newly formed bone at the 8 weeks 

time point compared to the 2 weeks time point (p < 0.05), while CPC-GMP-L showed 

similar amounts of newly formed bone at 8 and 2 weeks (p > 0.05). 
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Figure 24. Histomorphometric quantification of material remnants (A) and newly formed 

bone (B) 
 in the region of interest (ROI) for CPC-GMP-L, CPC-GMP-S, CPC-PLGA and CPC after 2 

(n=6, n=7, n=6, and n=8, respectively) and 8 weeks (n=7, n=6, n=7 and n=7, respectively) of 
implantation in a rat femoral bone defect (error bars represent standard deviation (SD); *p < 

0.05, indicate significance of the CPC-porogen formulations in comparison to CPC; a, b indicate 
significant temporal changes of the individual experimental groups). In both panels error bars 

represent the standard deviation. 
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Discussion 

We determined the efficacy of glucose microparticles (GMPs) as a fast-acting 

porogen for calcium phosphate cements (CPCs) in vivo. Due to the high solubility of 

GMPs, we hypothesized that their incorporation would rapidly generate a macroporous 

CPC matrix without adverse tissue responses to allow for early bone ingrowth and 

acceleration of CPC degradation compared to both (i) CPC controls, and (ii) PLGA 

porogens with delayed hydrolytic degradation. Additionally, we hypothesized that GMP 

size would affect in vivo degradation with accelerated CPC degradation for composites 

with smaller GMPs due to increase CPC surface area after dissolution of GMPs. 

Histomorphometric analysis indeed revealed significantly higher bone formation for 

CPC-GMP formulations after 2 weeks, irrespective of GMP size, whereas CPC-PLGA did 

not. After 8 weeks, both small GMPs and PLGA MPs showed significantly increased 

material degradation, and only CPC-PLGA showed significantly higher bone formation 

compared to CPC controls. 

PLGA degrades in the presence of water, by means of hydrolysis of the ester 

linkages within PLGA.[393] Upon hydrolysis, the degradation products of PLGA (i.e. 

lactic and glycolic acid) create an acidic environment. While the acidification itself 

accelerates the passive resorption of CPC, osteoclastic dependent active resorption of CPCs 

is equally important.[403, 404] It has been reported that osteoclastic activity can be 

stimulated under acidic conditions.[393, 405, 406] This indicates a beneficial role of active 

resorption besides passive resorption in the degradation of PLGA and CPC-PLGA 

composites. The degradation process of PLGA MPs over time has been extensively 

explored and depends on several factors such as: (i) end-group functionalization; (ii) 

molecular weight and; (iii) copolymer composition.[41] Studies reported initial pore 

formation due to partial PLGA degradation after approximately 2 weeks and complete 

PLGA degradation within approximately 8 weeks of implantation.[363, 407] CPC-PLGA 

material degradation was thus not expected to be significantly different compared to full 

CPC after 2 weeks of implantation, although results after a prolonged implantation period 

(i.e. 8 weeks) corroborated results reported previously.[373, 393, 408] It should be noted 

that the histological methods used in here allow for quantification of CPC remnants but 

cannot differentiate between partially and fully degraded PLGA MPs. GMPs on the other 
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hand, disappear out of CPC by means of dissolution, which is a passive resorption process. 

The dissolution time of carbohydrate porogens could be extended by cooling of the liquid 

phase or the use of frozen carbohydrate microparticles. This ensures the presence of the 

carbohydrate porogen after CPC setting.[396, 401] The process of GMP dissolution will 

thus start when interstitial fluids reach the GMPs present in the CPC. Prior research showed 

that increased levels of glucose stimulate osteoclastic activity.[409, 410] As such, the local 

increase in glucose concentration after GMP dissolution likely stimulates active, 

osteoclastic-dependent CPC degradation. Considering complete dissolution of GMPs in 

the first two weeks of implantation and disappearance of the majority of precipitated 

glucose from the CPC within 3 days after incubation in PBS at 37 °C, glucose solely had 

an effect on active material degradation from zero to 2 weeks of implantation.[401] These 

results corroborate prior research that has investigated the ability to use 

glucono-delta-lactone (GDL) as a porogen within CPCs.[355] The hydrolysis of GDL into 

gluconic acid occurs within a day, creating macropores within the CPC.[355] 

Histomorphometric evaluation after 2 weeks of implantation in a rabbit condyle defect 

revealed that CPCs containing 10 wt% GDL not only degraded faster but also evoked 

higher bone formation compared to CPCs that incorporated PLGA or gelatin 

porogens.[355] Here, an implantation period of 2 weeks was based on previous research 

on the dissolution of GMPs in PBS and considered adequate to observe dissolution of 

GMPs, early onset of CPC degradation, and differences in the initial performance of 

CPC-GMP versus CPC-PLGA formulations. An implantation period of 8 weeks was 

deemed to be sufficient to observe PLGA degradation and concomitant CPC degradation, 

since multiple studies showed the degradation of PLGA takes several weeks.[393, 401, 

408] 

Material degradation and new bone formation were similar for CPC-GMP-L and 

CPC-GMP-S at both time points. However, the incorporation of small GMPs significantly 

increased material degradation after 8 weeks compared to the CPC control. In addition, 

groups that had small GMPs showed a significant temporal increase in bone formation 

between 2 and 8 weeks. In the scientific community, a consensus on the optimum 

macropore size that maximizes bone growth has yet to be reached. As such, several studies 

have investigated the effect of macropore size on the resorption rate of CPCs.[411-414] 
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Galois et al. investigated the effect of four different pore sizes in CPCs on bone 

regeneration in a femoral condyle defect of rabbits and concluded that a pore size above 

80 μm is recommended to accelerate bone ingrowth.[412] Furthermore, no statistical 

difference in bone regeneration was observed between the pores sizes of 80-140, 140-200, 

and 200-250 μm, suggesting that the optimal pore size could be between the intervals of 

80-250 μm.[412] In contrast, Unchida et al. investigated the efficacy of two different 

interconnected pore size ranges (150-210 μm and 210-300 μm) on bone growth. In this 

study, there was not an observable effect of pore size on bone regeneration.[411] To explain 

these contradictory results, Bohner et al. developed a resorption model which predicted 

that as the fraction of porogens decreases so does the effect of macropore size on bone 

ingrowth.[415] In the model, it was hypothesized that if the porosity of the structure is less 

than a minimum value the pores are not interconnected and thus cannot enable bone 

ingrowth. In the present study, the fraction of porogens was maximized to 20 wt%. As 

such, this explains why there was no observable effect between the two different size 

fractions of GMPs. Lopez-Heredia et al., observed that general porosity of CPC would be 

increased by the use of smaller particles, generating faster resorption.[370] Furthermore, 

they noted that smaller particles require a higher loading concentration compared to large 

particles in order to maintain the desired interconnectivity.  

We envision GMPs could be combined with porogens with a later onset of forming 

a macroporous structure, such as PLGA, to enhance the generation of bone. The ultimate 

goals of these multimodal porogen composites are the gradual replacement of the CPC by 

newly formed bone and enabling this process to start directly after implantation in a bone 

defect. An injectable, multimodal porogen platform CPC comprising these beneficial 

characteristics will be of high interest for clinical application in the field of non-load 

bearing bone regenerative medicine. 
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Conclusion 

In the present study, the in vivo efficacy of GMPs as a porogen within CPCs was 

investigated. For the duration of the study no adverse tissue response was observed due to 

the incorporation of GMPs. Specifically, it was observed that in little as 2 weeks CPC-GMP 

formulations accelerated material degradation and bone formation in a rat femoral bone 

defect model compared to CPC controls. Most notably, implants that incorporated smaller 

GMPs significantly increased the amount of bone formed after 2 weeks compared to CPC 

controls, while there was no observable difference between implants that incorporated 

PLGA MPs and CPC controls. As such, this study denoted the utility of leveraging a simple 

metabolically active molecule for the generation of porous CPCs and improved bone 

formation.  
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Table S1. Material components per experimental group: wt% α-TCP, GMP-S, GMP-L and 

PLGA per group. 
 

 

  

 
GMP-CPC-L  GMP-CPC-S  PLGA-CPC CPC 

 α-TCP (wt%) 80 80 80 100 

 GMP-S 
(wt%) 

0 20 0 0 

 GMP-L 
(wt%) 

20 0 0 0 

 PLGA (wt%) 0 0 20 0 
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Table S2. Overview of the number of implants placed, retrieved and analyzed per group 
after 2 and 8 weeks.  

2 weeks  8 weeks   
GMP-CPC-L GMP-CPC-S PLGA-CPC CPC GMP-CPC-S GMP-CPC-L PLGA-CPC CPC 

Placed (n) 8 8 8 8 8 8 8 8 
Retrieved 

(n) 
8 8 8 8 8 8 8 8 

Analyzed 
(n) 

6 7 6 8 7 6 7 7 
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Chapter 8 

Incorporation of Fast Dissolving Glucose 
Porogens and Poly(lactic-co-glycolic acid) 

Microparticles Within Calcium Phosphate 
Cements for Bone Tissue Regeneration7  

Abstract  

This study investigated the effects of incorporating glucose microparticles (GMPs) 

and poly(lactic-co-glycolic acid) microparticles (PLGA MPs) within a calcium phosphate 

cement on the cement’s handling, physicochemical properties, and the respective pore 

formation. Composites were fabricated with two different weight fractions of GMPs (10 

and 20 wt%) and two different weight fractions of PLGA MPs (10 and 20 wt%). Samples 

were assayed for porosity, pore morphology, and compressive mechanical properties. An 

in vitro degradation study was also conducted. Samples were exposed to a physiological 

solution for 3 days, 4 wks, and 8 wks in order to understand how the inclusion of GMPs 

and PLGA MPs affects the composite’s porosity and mass loss over time. GMPs and PLGA 

MPs were both successfully incorporated within the composites and all formulations 

showed an initial setting time that is appropriate for clinical applications. Through a main 

effects analysis, we observed that the incorporation of GMPs had a significant effect on 

 
7 This chapter was published as B.T. Smith, A. Lu, E. Watson, M. Santoro, A.J. Melchiorri, E.C. Grosfeld, 
J.J.J.P. van den Beucken, J.A. Jansen, D.W. Scott, J.P. Fisher, and A.G. Mikos, “Incorporation of Fast 
Dissolving Glucose Porogens and Poly(Lactic-co-Glycolic Acid) Microparticles within Calcium Phosphate 
Cements for Bone Tissue Regeneration,” Acta Biomaterialia, 78, 341-350 (2018). 
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the overall porosity, mean pore size, mode pore size, and in vitro degradation rate of PLGA 

MPs as early as after 3 days (p < 0.05). After 4 wks and 8 wks, these same properties were 

affected by the inclusion of both types of MPs (p < 0.05). Advanced polymer 

chromatography confirmed that the degradation of PLGA MPs coincided with an increase 

in composite porosity, mean pore size, and mode pore size. Finally, it was observed that 

the inclusion of GMPs slowed the degradation of PLGA MPs in vitro and reduced the 

solution acidity due to PLGA degradation products. Our results suggest that the dual 

inclusion of GMPs and PLGA MPs is a valuable approach for the generation of early 

macropores, while also mitigating the effect of acidic degradation products from PLGA 

MPs on their degradation kinetics. 
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Introduction  

Calcium phosphate cements (CPCs) are a class of bioresorbable ceramics that are 

gradually degraded in bony defects [416]. In addition, CPCs have the ability to promote 

osteoblast activity, leading to a uniquely robust bone-cement interface [417]. As such, 

several different formulations of CPCs have been adopted within the fields of orthopedic 

surgery and dentistry as a bone substitute for defects due to various pathologies [367, 418]. 

In vivo, CPC degradation can proceed by both active and passive resorption. Fast (weeks 

to months) resorbable CPCs are passively degraded by dissolution and byproducts are 

actively removed by giant cells and macrophages, while slowly (months to years) 

resorbable CPCs are actively degraded by osteoclasts [419]. However, passive resorption 

is dependent upon the intrinsic solubility of the CPC [359]. While the microstructure of 

CPCs is considered porous, the diameters of these pores is in the sub-micron range [420]. 

Sub-micron pores are adequate to enable fluid flow, and thus encourage passive resorption, 

but they are not large enough to facilitate angiogenesis and tissue ingrowth [421]. While 

the ideal pore size is topic of much debate and depends upon the defect site, it is important 

to introduce macroporosity (>100 μm) within CPCs to support mass transport and 

encourage cellular infiltration thereby accelerating the resorption and replacement of CPCs 

with new bone [302]. 

To this end, a multitude of strategies and techniques have been investigated to 

introduce macropores within CPCs [393, 399, 418, 421-423]. One of the most common 

approaches is porogen leaching [424]. In this method, a mixture of the CPC and porogen 

is cast in a mold, allowed to dry, and then the porogen is leached, generating the pores 

[425]. Glucose and poly(lactic-co-glycolic acid) (PLGA) have both been widely studied as 

potential additives to CPCs to generate porosity by this method [393, 399, 401]. Glucose 

rapidly dissolves in an aqueous solution, which allows the creation of porosity within a 

matter of minutes when incorporated within CPCs [401, 426]. Glucose is also efficiently 

processed by cells with no harmful degradation byproducts [427]. Likewise, PLGA has 

received significant attention as a porogen additive in CPCs. PLGA is also useful as a 

controlled release carrier for delivery of drugs, growth factors, or other bioactive molecules 

[74, 428]. Significant effort has been placed into understanding the major parameters that 

influence PLGA degradation such as: (i) lactic/glycolic acid ratio; (ii) molecular weight; 



  

 139 

(iii) end-group functionalization; and (iv) morphology [359]. Unlike glucose, PLGA 

degradation occurs hydrolytically, generating acidic degradation products, lactic and 

glycolic acid [429]. If the local concentration of acidic degradation products in vivo is 

sufficiently high, a localized inflammatory response can be triggered [359]. To minimize 

this risk, PLGA microparticles (MPs) are frequently combined with other materials that 

work to counteract this acidity [430, 431]. It is hypothesized that the fast dissolution of 

GMPs in a CPC composite also incorporating PLGA MPs will create an initial 

macroporosity and increase the surface area within the CPC, thus enhancing the diffusion 

of PLGA degradation products and preventing a significant decrease in pH. Furthermore, 

as PLGA degradation occurs over several weeks to months, additional macroporosity will 

be generated at later time points within CPCs. 

The objectives of the current work were to investigate the potential use of both 

GMPs and PLGA MPs as a dual porogen system for CPCs and to evaluate the effect of 

GMP incorporation on the in vitro degradation rate of PLGA MPs. This study also sought 

to characterize the effects of incorporating both GMPs and PLGA MPs on cement setting, 

the formation of a macroporous structure following porogen leaching, and the 

physicochemical properties of the resulting GMP/PLGA/CPC composites. Composites 

were fabricated with three different weight fractions of GMPs (0, 10, and 20 wt%) and 

three different weight fractions of PLGA MPs (0, 10, and 20 wt%). Setting times for the 

composites were also tested. The mechanical properties of the formed composites 

following glucose dissolution and PLGA degradation were characterized via mechanical 

testing. Composites were further analyzed for surface structure and pore morphology using 

scanning electron microscopy (SEM) and microcomputed tomography (µCT), 

respectively. Finally, the molecular weights of PLGA MPs were analyzed using advanced 

polymer chromatography (APC) to further understand how the presence of GMPs within 

the CPC initially affects the in vitro degradation of PLGA. 
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Materials and Methods 

Preparation GMP/PLGA/CPC Composites 

The glucose microparticles (GMPs) were prepared as previously described [401]. 

Briefly, 40 g of >99.5% glucose crystals (D-(+)-glucose (Sigma-Aldrich, St. Louis, MO)) 

were mixed with 15 mL deionized water (diH2O) to create a glucose slurry. The glucose 

slurry was immersed in liquid nitrogen and flash frozen. Afterward, the flash frozen 

glucose was lyophilized overnight. The resulting solid glucose crystals were ground and 

sieved to obtain GMPs 150-300 µm in diameter. Sieved GMPs were then lyophilized 

overnight, purged with nitrogen, and stored in -20ºC freezers to prevent water reabsorption. 

 To manufacture the composites, GMPs and PLGA MPs (sieved between 50-100 

µm, Mn=11300 ± 200 Da, Mw=16600 ± 300 Da, acid terminated, lactic:glycolic acid ratio 

(L:G) = 50:50, kindly provided by Purac (Gorinchem, the Netherlands)) were mixed with 

CPC powder (100% αTCP, kindly provided by CAM Bioceramics B.V. (Leiden, the 

Netherlands), mean particle size of ~4.0 µm, according to nine different GMP/PLGA/CPC 

weight ratios (0/0/100, 0/10/90, 0/20/80, 10/0/90, 20/0/80, 10/10/80, 10/20/70, 20/10/70, 

and 20/20/60). The resulting mixture was then transferred to 10 mL syringes (10 mL BD 

Luer-Lok Syringes, BD, Franklin Lake, NJ) and shaken on a vibrating mill (Silmat® mixing 

apparatus) to homogenize the distribution of porogen additives.  

 A solution of 24 wt% Na2HPO4 (Sigma-Aldrich) saturated with glucose (saturated 

liquid, 0.909 g/mL glucose in order to prevent the dissolution of GMPs before the calcium 

phosphate cement hardened) was added at a liquid/powder weight ratio of 0.56 and shaken 

again for 25 s using the vibrating mill (Silmat® mixing apparatus). The resulting paste was 

injected into Teflon molds (6 mm diameter, 12 mm height). As previously described, the 

samples were left to set at room temperature for 24 h, removed from the molds, and stored 

in a vacuum dryer with Drierite (Drierite Co LTD, Xenia, Ohio) until further testing [359, 

396]. 

Setting Time 

A Gillmore needle apparatus was used to evaluate the initial and final setting time 

of the samples following ASTM C266 [432]. Cement pastes were mixed and injected into 

Teflon molds (6 mm in diameter, 12 mm in height) in a retrograde fashion after which the 
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initial and final setting time of the samples was determined. Briefly, the initial setting time 

was determined to be the first time when the initial Gillmore needle was not able to mark 

the specimen with a complete circular indentation, while the final setting time was 

determined to be the first time when the final setting needle did not mark the specimen 

[432]. 

Morphology Analysis 

Scanning electron microscopy was used to evaluate the morphology of the 

GMP/PLGA/CPC composites before and after leaching in 37 °C phosphate-buffered saline 

(PBS, pH 7.4) solution for 3 days, 4 wks, and 8 wks. Samples were mounted on aluminum 

specimen mounts using carbon tape and sputter coated with gold before examination (FEI 

Quanta 400 ESEM FEG). 

In Vitro Degradation 

To study the degradation of the composites, each sample was immersed in 5 mL of 

PBS and incubated at 37ºC in a warm room on a shaker table at 90 RPM [359]. The buffer 

solution was initially refreshed at 1 and 12 hrs following immersion. Thereafter, for all 

samples with the exception of the 3 day time point, the sample buffer was refreshed weekly, 

at which time the pH of the solution was measured; the 3 day time point received media 

changes only 1 and 12 hrs prior to analysis. At 3 days, 4 wks, and 8 wks, samples were 

removed from the PBS and vacuum-dried overnight. The mass left of the samples was 

calculated using Equation 3 below: 

𝑀𝑎𝑠𝑠	𝐿𝑒𝑓𝑡	(%) 	=
𝑀< −𝑀=

𝑀<
∗ 100 

Equation 3. Calculation of percent mass left. 
 

Where M0 is the initial mass of the sample (g) and Mt is the mass of the sample (g) at 

3 days, 4 wks, or 8 wks. 

Porosity 

Following previously established protocols, composite porosity was evaluated by 

microcomputed tomography (μCT) [395, 401, 433]. In brief, samples at 3 days, 4 wks, and 

8 wks were scanned at a current of 250 mA and a voltage of 40 kV with no filter using a 

SkyScan 1172 μCT imaging system (SkyScan, Aartselaar, Belgium). Samples were 

scanned at a resolution of 7.2 μm/pixel to create high resolution (1280 x 1024 pixel) 
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images. NRecon and CTan (SkyScan, Aartselaar, Belgium) software packages were used 

to reconstruct, reslice, and analyze the acquired serial tomograms. A 5-mm-diameter x 4-

mm-height cylindrical region of interest ,located in the center of the sample, was applied 

to the data set to eliminate edge effects. A total of 688 μCT slices were used to calculate 

the porosity and mean pore size of each sample. Finally, the images were computationally 

binarized using a global threshold value of 70-255 to extract the total porosity and pore 

size distributions. In addition, pore interconnectivity was quantified by applying a shrink-

wrap algorithm with a pixel size ranging from 12 to 96 μm as previously described [434].  

Poly(lactic-co-glycolic acid) Degradation 

Size exclusion chromatography was utilized to monitor the molecular weight of the 

PLGA at t=0, 3 days, 4 wks, and 8 wks using a Waters (Milford, MA) Acquity Advanced 

Polymer Chromatography system (APC) consisting of pump (ACQ-ISM), sample manager 

(ACQ-FTN), column manager (ACQ-CM), and refractive index detector (ACQ-RI). 

Crushed GMP/PLGA/CPC composites (n=3) were placed in tetrahydrofuran (THF) on a 

shaker table for 24 hours to extract residual PLGA, and the resulting solutions were filtered 

using 0.2 µm Acrodisc Nylon Syringe Filters. 4 mL of THF were utilized for composites 

containing 20 wt% PLGA and 2 mL for composites containing 10 wt% PLGA at t=0 to 

yield a concentration of ~20 mg/mL. For the later time points (4 and 8 wks), 0.5 mL were 

utilized for all groups, as this was the lowest amount of THF that could be added to crushed 

composites, recovered, and filtered with ~100 µL of solution remaining to perform 

injections. APC was performed (n=3/group, 2 injections/sample) at a flow rate of 0.5 

mL/min with a Waters Acquity APC XT 125 2.5 µm 4.6x75 mm column at 35˚C with the 

refractive index detector set to 45˚C. Injection volume was set to 10 µL. A calibration curve 

was constructed using linear polystyrene standards ranging from 266 to 28,000 Da. The 

number average molecular weight (Mn), weight average molecular weight (Mw), and 

polydispersity index (PDI) were measured and calculated using Empower 3 software 

(Waters). 

Mechanical Testing 

Samples (6 mm diameter, 12 mm height, n=10) were dried overnight in a vacuum 

oven and were placed in a mechanical testing bench (858 MiniBionixII®, MTS Corp., Eden 

Prairie, MN), and the compressive strength and compressive modulus along the height of 
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the specimens (parallel to the long axis of the samples) were measured with a crosshead 

speed of 0.5 mm/min. 

Phase Composition Analysis 

X-ray diffraction (XRD; Rigaku Smartlab, The Woodlands, TX) was used to 

analyze the crystallographic composition of the αTCP. CPC samples were prepared as 

described in section 2.1, dried, and crushed into a powder with a mortar. A CuKα with a 

wavelength of 1.54 Å at a voltage of 40 kV and 30 mA was used to perform powder XRD.   

Statistical Analysis 

Statistics reported were computed using JMP Pro 10 (SAS, Cary, NC) to analyze 

the data. Continuous data are expressed as means ± standard deviations. In order to 

compare the mass remaining, porosity, pH, mean pore size, and mode pore size between 

groups, a one-way analysis of variance (ANOVA) test was performed with posthoc 

analysis by Tukey’s honestly significant difference (HSD). Furthermore, to better 

understand the relationship between porogen input parameters (amount of GMPs and 

amount of PLGA MPs) on final physicochemical properties (outputs), a linear regression 

model was fit via standard least-squares using all of the raw data (n = 3/group technical 

replicates from each of the nine groups). 
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Results 

Cement Setting Times 

The setting times for each cement composition are presented in Figure 25. The 

addition of either porogen significantly increased the initial setting time as compared to the 

control (p < 0.05). However, the initial setting time was dependent upon the type of 

porogen as well as the wt%. The addition of 10 wt% PLGA MPs increased the initial setting 

time to 11.7 ± 1.7 min compared to the 10 wt% GMPs composites with an average of 14.3 

± 3.1 min. This was also observed in both the 20 wt% single porogen formulations (G20P0 

and G0P20). For dual porogen systems, all initial setting times were between the minimum 

and maximum for the single porogen cements. Interestingly, an increase in final setting 

time was only observed for the G20P20 group ( p < 0.05). 

  Morphological Analysis and Phase Composition  

The external morphologies of GMPs and PLGA MPs are presented in Figure 26. 

The GMPs were observed to have a jagged irregular shape, while the PLGA MPs had a 

smooth spherical geometry. Representative scanning electron micrographs revealing the 

Figure 25. Initial and final setting times of the different formulations investigated are 
presented. G0P0 represents the control CPC group. GMPs and PLGA MPs were 

introduced in three different weight fractions (0, 10, and 20 wt %). Within each series, 
groups that do not share the same letter are statistically significantly different (n=4, p < 

0.05). 



  

 145 

internal microscale morphology of GMP/PLGA/CPC composites are presented in Figure 

27 and Figure S10. The jagged irregular regions represent areas of GMPs, while PLGA 

MPs can be identified by the smooth spherical areas, as observed in Figure S9. At day 0 

both GMPs and PLGA MPs can be seen within the internal structure of the samples. 

Composites that had a larger porogen content displayed a greater amount of pitting and 

internal defects as compared to the control. Specifically, groups that incorporated GMPs 

had a greater amount of pores and these pores were characterized by larger diameters. A 

similar effect was observed at day 3. The control group had the least amount of voids, and 

PLGA MPs were still present. Cavernous voids were observed again in samples that 

incorporated GMPs. At day 3, round smooth pores were observed within the composites. 

However, PLGA MPs were still observed within the composites. Starting at wk 4 and 

proceeding to wk 8, samples that incorporated GMPs began to display signs of large scale 

cavitation as evidenced by the increase in large voids. Moreover, as the concentration of 

GMPs increased, fewer PLGA MPs were found in the SEM micrographs. Furthermore, the 

crystallographic composition was analyzed by XRD. As shown in Figure 28, after the 

samples were exposed to PBS for 3 days, all of the αTCP transformed into HA. This is 

concluded by the disappearance of the characteristic αTCP peak at a 2Θ value of 30.9° 

followed by the appearance of the characteristic HA peaks of 2Θ values 25.8° and 31.8° 

[370].  
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In Vitro Degradation 

Figure 29 presents the remaining mass of the CPC composites as a function of 

incubation time. All experimental groups showed a decrease in mass following immersion 

in PBS. Theoretically, 19.7 wt% of the samples’ mass can be attributed to glucose that has 

precipitated out of the 24 wt% Na2HPO4 solution [401]. The G0P0 composite retained 82.2 

± 1.8 % of its initial weight after 3 days, which is in accordance with the theoretical amount 

of glucose that precipitates out of the saturated liquid. Composites with only GMPs showed 

a greater mass loss compared to the control group or groups that only contained PLGA 

MPs after 3 days (p < 0.05). Specifically, the mass retained after 3 days was 73.4 ± 1.3 % 

and 66.8 ± 1.5 % for G10P0 and G20P0, respectively. No difference in mass was observed 

between samples that only contained PLGA MPs (G0P10 and G0P20) and G0P0, with the 

G0P10 and G0P20 retaining 82.9 ± 1.8 % and 83.2 ± 2.1 %, respectively (p > 0.05). Mass 

Figure 26. GMPs and PLGA MPs external morphology analyzed by scanning electron 
microscopy (SEM) after fabrication. The white scale bar represents 100 μm in both micrographs. 
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loss for samples that included GMPs and PLGA MPs varied with respect to the weight 

percentages of each component. This mass loss can be reasonably attributed to the 

dissolution of GMPs within the composites, given the degradation of the control. In the 

combined GMP/PLGA composites, the mass loss varied depending on the relative weight 

percentages, but all exhibited mass loss greater than the control (p < 0.05). After 4 wks of 

incubation, no additional mass loss was detected from samples that only contained GMPs 

(p > 0.05). This effect was observed for the remainder of the study. However, groups that 

contained PLGA MPs saw a significant increase in mass loss starting at 4 wks followed by 

Figure 27. Representative scanning electron microscopy (SEM) images showing the 
internal morphology of composites upon fabrication (Day 0) and after being leached in 

PBS at 37ºC for 3 days, 4 wks, and 8 wks.  
G0P0 represents the control. GMPs were introduced in three different weight 

fractions (0, 10, and 20%) and represented by groups G0P20, G10P20, and G20P20, 
respectively. The smooth spherical particles annotated by a yellow arrow represent 

PLGA MPs, while the jagged irregular particles marked with a green arrow represent 
GMPs. The white scale bar in the image in row 1 column 1  represents 100 μm in all 

micrographs. 
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further decrease at 8 wks (p < 0.05). Groups that contained both GMPs and PLGA MPs 

experienced an initial mass loss that was similar to samples that only contained GMPs (p 

> 0.05) followed by a mass loss that was similar to groups that only contained PLGA MPs 

(p > 0.05).  

 
Figure 28. Representative x-ray diffraction (XRD) patterns for GMP/PLGA/CPC 

composites analyzed before being placed in PBS (𝛼TCP Pre-PBS) and after 3 days in PBS (G0P0, 
G20P0, G0P20, and G20P20). 
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Figure 29. Percentage of mass left for the different formulations tested after being leached in 

PBS at 37ºC for 3 days, 4 wks, and 8 wks. GMPs and PLGA MPs were introduced in three 
different weight fractions (0, 10, and 20 wt%).  

Within the Day 3 series, # denotes significance with respect to G0P0. In the Week 4 series, * 
denotes significance with respect to G0P0. In the Week 8 series, ^ denotes significance with 

respect to G0P0 (n=6,  p < 0.05). 
 

Porosity of Composites 

The total porosity of the different CPC formulations was measured by μCT and is 

presented in Figure 30. After 3 days of incubation, incorporation of GMPs within the 

samples resulted in a higher overall porosity as compared to the control (p < 0.05). 

Furthermore, an increase in the overall porosity was seen in samples that incorporated a 

greater fraction of GMPs (p < 0.05, Table S4). At 3 days, the porosity increased from 9.5 

± 2.4 % to 23.8 ± 1.4 % for the G10P0 and G20P0 samples, respectively. In samples that 

contained both porogens, the addition of PLGA MPs had no effect on the composites’ 

overall porosity after 3 days (p > 0.05). Furthermore, no difference was seen between 

samples that only incorporated PLGA MPs (G0P10 & G0P20) and the CPC control (G0P0) 

after 3 days of incubation (p > 0.05). While composites that only incorporated GMPs did 

not show an additional increase in porosity after 4 wks of incubation, the use of PLGA 
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MPs further increased the porosity at 4 wks (from 25.3 ± 3.3 % at day 3 to 31.2 ± 1.9 % at 

4 wks for G20P20, p < 0.05). The magnitude of this effect was also dependent upon the 

weight fraction of PLGA MPs incorporated. After 8 wks of incubation, samples that only 

contained GMPs (G10P0 and G20P0) or no porogen at all (G0P0) showed no further 

increase in porosity (p > 0.05). However, samples that contained PLGA MPs continued to 

have an increase in overall porosity (from 31.2 ± 1.9% at 4 wks to 45.7 ± 2.8% at 8 wks 

for G20P20, p < 0.05; Table S4). 

 
Figure 30. Total porosity of the GMP/PLGA/CPC composites evaluated by microCT after 

being leached in PBS at 37ºC for 3 days, 4 wks, and 8 wks. GMPs and PLGA MPs were 
introduced in three different weight fractions (0, 10, and 20 wt%).  

Within the Day 3 series, # denotes significance with respect to G0P0. In the Week 4 series, * 
denotes significance with respect to G0P0. In the Week 8 series, ^ denotes significance with 

respect to G0P0 (n=3, p < 0.05). 
 

Pore size was another parameter that was significantly affected by the weight 

fraction and the specific porogen that was present in the composite. The mean pore size 

and mode pore size as a function of incubation time are presented in Figure 31 and Figure 

S7, respectively. At 3 days of incubation, a significant increase (p < 0.05) in mean pore 

size was observed for samples that contained either GMPs or PLGA MPs. However, the 
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effect of GMPs on the mean pore size was more pronounced than that of PLGA MPs. For 

the remainder of the study, an additional increase in mean pore size was not observed for 

G10P0 and G20P0 groups (p > 0.05, Table S5). On the contrary, at 4 wks and 8 wks, 

samples that incorporated PLGA MPs continued to develop larger pores (p < 0.05). In 

addition, the overall weight fraction of the incorporated porogen had a direct effect on the 

average pore size. As the overall weight fraction of the porogen increased, so did the mean 

pore size. A similar effect was observed for the mode pore size. Specifically, the mode 

pore size of G10P10, G10P20, G20P10, and G20P20 initially resembled the one of G10P0 

and G20P0 (p > 0.05, Table S6). However, the peak pore size gradually increased over 

time to a maximum of 334 ± 30 μm after 8 wks of incubation for group G20P20.  

 
Figure 31. Mean pore size of the GMP/PLGA/CPC composites determined by microCT after 
being leached in PBS at 37ºC for 3 days, 4 wks, and 8 wks. GMPs and PLGA MPs were 

introduced in three different weight fractions (0, 10, and 20 wt%).  
Within the Day 3 series, # denotes significance with respect to G0P0. In the Week 4 series, * 

denotes significance with respect to G0P0. In the Week 8 series, ^ denotes significance with 
respect to G0P0 (n=3, p < 0.05). 

Finally, pore interconnectivity (Figure S11) was affected by both the composition 

of the porogen and the weight fraction of porogen present. As compared to the control, at 

3 days the addition of GMPs increased the percentage of open porosity and the availability 
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of objects>12 lm to traverse the composites. However, the addition of PLGA MPs did not 

create an open pore structure after 3 days. Although after 8 weeks, the incorporation of 

PLGA MPs had a profound effect on the interconnected pore structure as compared to the 

control and groups that only incorporated GMPs.  

PLGA Molecular Weight 

The number average molecular weight (Mn) and weight average molecular weight 

(Mw) of PLGA MPs within the samples at different time points are presented in Figure 32 

and Supplemental Figure S8 respectively. At day 0, the Mn was consistent across all groups 

at around 11,000 Da. After 3 days, the number average molecular weight had decreased to 

7,000 Da in all groups. At 4 wks, significant differences could be seen between groups. 

The highest molecular weights measured at 4 wks were found in the G10P10 and G20P10 

(2785 ± 205 and 2732 ± 175 Da, respectively), while the lowest molecular weight was seen 

in the G0P20 group at 663 ± 32 Da. The presence of GMPs resulted in slower degradation 

and in higher molecular weight of the PLGA at 4 weeks. Several groups with higher PLGA 

content (G0P20 and G10P20) had significantly lower Mn (p < 0.05) than groups with less 

PLGA but the same amount of glucose incorporated (G0P10 and G10P10); a similar trend 

was seen between G20P20 and G20P10, but this was not statistically significant. The 

PLGA molecular weight continued to decrease with increasing time in PBS. After 8 weeks, 

the average Mn was less than 10% of the starting value. Additionally, two groups (G0P10 

and G10P10) had chromatogram peaks that extended beyond the narrow peak of the lowest 

standard and could not be quantified. 
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Figure 32. The number average molecular weight (Mn) of the PLGA inside CPC composites 

evaluated by advanced polymer chromatography (APC) after fabrication (day 0) and after being 
leached in PBS at 37ºC for 3 days, 4 wks, and 8 wks. GMPs and PLGA MPs were introduced in 

three different weight fractions (0, 10, and 20%).  
Those that do not share the same letter are statistically significantly different (p<0.05). The 

introduction of GMPs impeded the degradation of PLGA through 4 wks, with lower molecular 
weights seen in groups containing higher percentages of PLGA. At 8 wks, G0P10 and G10P10 

(marked with an *) could not be quantified due to a broad chromatogram extending beyond that 
of the lowest standard (266 Da). 

 
To gain insight about the amount of acidic degradation products due to hydrolysis 

of PLGA, pH measurements of the incubation media as a function of time is presented in 

Figure 33 and Table S7. The incorporation of GMPs decreased the pH of the incubation 

media after 3 days as compared to the control composite (p < 0.05). However, this 

observation was short lived. After 4 wks and continuing for the duration of the study, no 

difference in pH was noted between groups that only incorporated GMPs and the control 

(p > 0.05). On the contrary, while samples that only incorporated PLGA MPs had no 

observable decrease in pH after 3 days compared to the control (p > 0.05), after 4 wks an 

observable decrease in the pH of the incubation media was noted (p < 0.05). There was a 

further decrease in the pH of the incubation media after 8 wks (p < 0.05) in the groups that 

contained only PLGA MPs. Interestingly, the incorporation of GMPs in composites that 
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also contained PLGA MPs led to a higher pH of the incubation media at 8 wks as compared 

to composites that only incorporated PLGA MPs (p < 0.05, Table S7). In addition, a further 

decrease in pH was not observed between 4 and 8 wks for composites that contained both 

GMPs and PLGA MPs (p > 0.05; Table S7). 

 
Figure 33. Incubation media pH during the GMP/PLGA/CPC degradation studies GMPs 

and PLGA MPs were introduced in three different weight fractions (0, 10, and 20 wt%). Within 
the Day 3 series, # denotes significance with respect to G0P0. 

 In the Week 4 series, * denotes significance with respect to G0P0. In the Week 8 series, ^ 
denotes significance with respect to G0P0 (n=3, p < 0.05). 

 

Mechanical Properties 

The mechanical properties of the composites were evaluated and are presented in 

Figure 34. Both the compressive modulus and the compressive strength were evaluated 

prior to leaching. The addition of porogens decreased the compressive modulus from the 

control values of 978 ± 214 MPa to 863 ± 192 MPa for G10P0, 901 ± 110 MPa for G0P10, 

and 470 ± 104 MPa for G20P20. This reduction in compressive modulus was independent 

of incorporating GMPs vs PGLA MPs, but was exacerbated with higher weight fractions 
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of porogens. Likewise, the compressive strength of the control was measured to be 32 ± 8 

MPa and decreased with the addition of porogens as seen in Figure 34.  

 
Figure 34. Compressive modulus (A) and compressive strength (B) of different formulations 

tested upon fabrication. G0P0 represents the control CPC group. GMPs and PLGA MPs were 
introduced in three different weight fractions (0, 10, and 20 wt%). 

Within each figure panel, * indicate statistical difference from the control (6 ≤ n ≤ 12, p < 
0.05). 
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Discussion 

 We investigated the use of glucose microparticles (GMPs) and poly(lactic-co-

glycolic acid) microparticles (PLGA MPs) as means to generate early (<3 days) 

macroporosity within calcium phosphate cements (CPCs) and to reduce the acidity due to 

PLGA degradation products. It was hypothesized that the inclusion of GMPs would create 

early macroporosity within the CPC that would enhance the diffusion of PLGA acidic 

degradation products and consequently impede the degradation of the PLGA and prevent 

the decrease in pH as a result of the degradation. For this study, three different weight 

fractions of GMPs (0, 10, and 20 wt%) and three different weight fractions of PLGA MPs 

(0, 10, and 20 wt%) were used. We characterized how these conditions affected the 

physicochemical properties of the obtained GMP/PLGA/CPC composites. Furthermore, 

the effect of incorporating GMPs on the in vitro degradation rate of PLGA MPs was 

investigated and compared to composites that solely incorporated PLGA MPs. 

 Quantification of the handling properties, specifically the initial and final setting 

time, is of great importance from a clinical perspective. If the setting time for a bone cement 

is too long, the cement will not retain its shape or the cement will not be able to adequately 

support the surrounding tissue [435]. As such, several investigators have proposed that the 

initial setting time for CPCs should be approximately 15 min [435-437]. Analyses of the 

initial setting times of the GMP/PLGA/CPC composites emphasized that the inclusion of 

GMPs and PLGA MPs increased the initial setting time compared to the control. However, 

all groups had an initial setting time that was within the upper limit for clinical use, in 

agreement with previous investigations that have used water-soluble porogens or polymer 

based porogens [45, 396, 401, 436]. Bohner et al. states that one can observe a three- to 

fourfold reduction in the setting time of apatite CPCs when the temperature increases from 

20 to 37 °C [350]. As such, we contend that these setting times would be significantly 

reduced in clinical applications suggesting that GMPs and PLGA MPs can be incorporated 

within CPCs without significantly delaying the wound closure time. Furthermore, it has 

been shown that other factors such as particle size, temperature of the liquid phase, and 

liquid-to-powder ratio can influence the setting times [417]. The porosity of a scaffold may 

also increase the compressive mechanical properties of the material decreases by increasing 

the number of stress raisers within the bulk material [438]. While the addition of either 
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GMPs or PLGA MPs diminished the compressive modulus and compressive strength, these 

results are also congruent with other studies that introduce water-soluble or polymer based 

porogens within CPCs [417, 439]. 

 Regarding the mass loss of the GMP/PLGA/CPC composites, formulations that 

contained GMPs showed a mass loss that was consistent with the initial amount of GMPs 

that were loaded within the composites, after being leached in PBS for 3 days. In addition, 

the mass of composites that only contained GMPs (G10P0 and G20P0) remained constant 

over the duration of the study. These observations support the conclusion that this change 

in mass loss can be attributed to the dissolution of GMPs, which is consistent with other 

studies that have leveraged water-soluble porogens within CPCs [396, 401]. On the 

contrary, composites that contained only PLGA MPs (G0P10 and G0P20) did not show a 

decrease in mass loss after 3 days compared to the CPC controls. However, starting at week 

4 and continuing for the remainder of the study, there was an observable mass loss for 

G0P10 and G0P20 groups. Composites that included both GMPs and PLGA MPs saw an 

initial mass loss after 3 days, as a result of the dissolution of the GMPs, followed by a 

gradual mass loss that was proportional to the amount of PLGA MPs for the duration of 

the study. Since it has been shown that the acidic PLGA degradation products accelerate 

the degradation of the CPC matrix, this presents another benefit of this system compared 

to relying on only GMPs [396].  These observations are further corroborated with the SEM 

micrographs. After the composites were exposed to PBS for 3 days, GMPs could not be 

observed within the composites.  

 As seen by the μCT data, the incorporation of either 10 or 20 wt% of GMPs 

established an initial porosity within the composites after being leached in PBS for 3 days 

supporting previous findings from our laboratory [401]. In addition, these results 

corroborate with other studies that have introduced polysaccharides for the generation of 

macroporosity with CPCs [38, 396, 401]. However, groups that also incorporated PLGA 

MPs saw an additional increase in porosity. While, it took several weeks for cements that 

contained PLGA MPs to reach their maximum porosity, which was proportional to the in 

vitro degradation rate of PLGA, providing a method for later pore formation. While the 

amount of void space is an important parameter, the size of these pores is an equally 

important criterion. Specifically, for bone tissue engineering, investigators have proposed 
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a minimum pore size of 75-100 μm [440]. As such, the pore size measurements revealed 

that at day 3, G0P10 and G0P20 samples were similar to the CPC controls. On the contrary, 

composites that incorporated GMPs led to the generation of pores on the order of 200 μm 

after 3 days. Furthermore, it was observed that composites that incorporated GMPs had a 

gradual pore enlargement over the duration of the study with composites that contained 20 

wt% GMPs and PLGA obtaining a maximum peak pore size of 261 ± 20 μm. Thus, the 

addition of GMPs created an initial porosity that is of adequate size to support perfusion 

by body fluids, while PLGA MPs allow for the extended development of porosity and pore 

enlargement. Although this work utilized a method that has been established previously for 

evaluating macroporosity in CPCs, gas displacement and mercury intrusion porosimetry 

are additional techniques that could provide useful data in future investigations [441, 442]. 

Quantification of PLGA molecular weight showed that the addition of glucose or 

the amount of PLGA MPs added to the composite did not affect the initial molecular weight 

of the PLGA. After 3 days, significant decrease in molecular weight was seen in all groups-

-these values are similar to those obtained by Kamei et al. [443]. Since PLGA degradation 

yields acidic components, an increased presence of PLGA creates a greater amount of 

acidic degradation products that can catalyze the degradation reaction of PLGA, thereby 

increasing the degradation rate of PLGA [444]. With an increase in the local concentration 

of the acidic degradation products, PLGA degradation occurs at an accelerated rate due to 

an autocatalytic effect [445]. This effect becomes significant after 4 weeks, the groups that 

contained increased PLGA (G0P20, G10P20, and G20P20) had Mn that were 45%, 72%, 

and 80% of the Mn of G0P10, G10P10, and G20P10, respectively. At 4 weeks, it was also 

shown that incorporation of any glucose (either 10 wt% or 20 wt%) resulted in an increased 

PLGA molecular weight relative to groups that did not contain any glucose. However, there 

were no statistical differences between the G10P10 and G20P10 groups at 4 weeks. The 

pH measurements confirmed that incorporating PLGA MPs resulted in increased acid 

concentration in the incubation media. It is likely that the increased porosity seen in 

glucose-containing groups allowed for the acidic byproducts of PLGA degradation to be 

removed from the area immediately surrounding the PLGA and to be distributed 

throughout the PBS, slowing the autocatalysis seen in the G0P10 and G0P20 groups at 4 

weeks. The observed pH difference between groups that contained only PLGA MPs and 
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those that contain both porogens confirms that the presence of GMPs results in more acidic 

degradation products being leached out of the scaffold and into the media. The increased 

PLGA degradation with lower porosity (as seen in groups without GMPs) has been 

previously shown in literature [446]. 

Finally, in order to better understand the impact of the type and amount of porogen 

on the resulting composites physicochemical properties over time, a linear regression 

model was built. This model generated descriptive data that identified input parameters 

that had a statistically significant effect on the composites. The parameter estimates in 

Table 4 are model coefficients. The estimate for GMPs indicates the expected change in 

output per each additional increase in GMP wt% and the estimate for PLGA MPs indicates 

the expected change in output for each additional increase in wt% PLGA MPs that was 

incorporated within the CPCs. For example, for the porosity after 8 wks, the porosity of 

the composite is expected to increase 1.0% with each 1 wt% addition of GMPs and increase 

1.1% with each 1 wt% addition of PLGA MPs. Currently, this model only applies to CPCs 

that have incorporated 0-20 wt% GMPs and 0-20 wt% PLGA MPs. In order to further our 

understanding and the utility of this model, additional data from experimental replicates as 

well as a larger range of input variables may be added. Variables such as liquid/powder 

ratio and particle size have been previously demonstrated to affect the specific 

physicochemical properties such as porosity of CPCs [447].  

Previously we investigated the use of GMPs to serve as a fast-acting porogen for 

CPCs and characterized the effect of incorporating GMPs on the physicochemical 

properties of GMP/CPC composites [401]. While the results of the previous study 

highlighted that GMPs could be leverage to generate an interconnected macroporous 

composite within 3 days, it would be of interest to combine this method with a porogen 

that has been shown to accelerate the degradation of CPCs, such as PLGA. Overall, the 

results of the present study suggest that the incorporation of GMPs and PLGA MPs is a 

promising method for the preparation of porous calcium phosphate cements and improves 

upon the our previous approach. This method had the advantages of attaining an initial 

porosity after 3 days, followed by continued pore development, due to the degradation of 

PLGA MPs, for the remainder of the study. In addition, the initial porosity established by 

the GMPs facilitated the diffusion of acidic PLGA degradation products, thereby 
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preventing a decrease in the local pH. However, this method extended the in vitro 

degradation of PLGA MPs. This could be overcome by altering characteristics such as the 

molecular weight of PLGA, microsphere morphology, lactic/glycolic acid ratio or end-

group functionalization. 
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Table 4. Statistical Model Based on Porogen Content Data. 

Day 3 
 

GMPs PLGA MPs Interaction 
Property Estimate SEM p Estimate SEM p Estimate SEM p 
Porosity 1.067 0.054 <.0001

a 
0.117 0.054 0.042 a 0.003 0.007 0.651 

Mean Pore Size 4.677 0.667 <.0001 

a 
-1.464 0.667 0.039 a -0.171 0.082 0.048 a 

Mode Pore Size 9.260 1.074 <.0001 

a 
0.743 1.074 0.496 -0.020 0.132 0.879 

Mass Left -0.998 0.083 <.0001 

a 
-0.092 0.083 0.280 -0.007 0.010 0.494 

pH -0.039 0.004 <.0001 

a 
-0.003 0.004 0.392 0.000 0.000 0.725 

Week 4 
 

GMPs PLGA MPs Interaction 
Property Estimate SEM p Estimate SEM p Estimate SEM p 
Porosity 0.930 0.030 <.0001 

a 
0.493 0.030 <.000

1 a 
-0.010 0.004 <.000

1 a 
Mean Pore Size 5.153 0.697 <.0001 

a 
0.332 0.697 0.638 -0.084 0.085 0.337 

Mode Pore Size 8.454 0.929 <.0001 

a 
3.106 0.929 0.002

8 a 
-0.100 0.114 0.387 

Mass Left -0.716 0.060 <.0001 

a 
-0.562 0.060 <.000

1 a 
0.012 0.007 0.123 

pH -0.003 0.006 0.557 -0.076 0.006 <.000
1 a 

0.000 0.001 0.549 

Week 8 
 

GMPs PLGA MPs Interaction 
Property Estimate SEM p Estimate SEM p Estimate SEM p 
Porosity 1.050 0.064 <.0001 

a 
1.110 0.064 <.000

1 a 
0.002 0.008 0.801 

Mean Pore Size 6.830 0.655 <.0001 

a 
3.974 0.655 <.000

1 a 
-0.093 0.080 0.260 

Mode Pore Size 8.148 0.951 <.0001 

a 
5.540 0.951 <.000

1 a 
-0.043 0.116 0.711 

Mass Left -0.620 0.065 <.0001 

a 
-1.400 0.065 <.000

1 a 
0.013 0.008 0.106 

pH 0.0322 0.010
5 

0.0056 

a 
-0.1050 0.010

5 
<.000

1 a 
0.0034 0.001

3 
0.014

5 a 
Estimates are the predicted change in the property per each additional 1 wt% GMPs or 
PLGA MPs incorporated within the CPC. SEM= standard error of the mean. a Significant 
effect size of the input parameter on the final property (p < 0.05).  
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Conclusions  

In the present study, macroporous CPCs were fabricated utilizing a multimodal 

approach that leveraged GMPs and PLGA MPs. The results of this study contend that the 

combination of GMPs and PLGA MPs is a promising method for the introduction of 

macropores within CPCs. By altering the concentration of GMPs and PLGA MPs one can 

tailor setting time, porosity, and degradation kinetics for the desired application. Within 3 

days it was observed that dissolution of GMPs resulted in macropores that were adequate 

for fluid perfusion. After 8 weeks the PLGA MPs had almost completely degraded, further 

increasing the porosity of the composites. Furthermore, the incorporation of GMPs 

impeded a local acidity due to released lactic acid and glycolic acid by increasing the 

scaffold porosity to facilitate their diffusion to the surrounding media, thus allowing better 

control of the PLGA degradation kinetics.  
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Supporting Information  

 
Figure S7. Mode pore size of the GMP/PLGA/CPC composites determined by microCT after 
being leached in PBS at 37ºC for 3 days, 4 wks, and 8 wks. GMPs and PLGA MPs were 

introduced in three different weight fractions (0, 10, and 20%). Within the Day 3 series, # 
denotes significance with respect to the CPC control. In the Week 4 series, * denotes significance 
with respect to the CPC control. In the Weeks 8 series, ^ denotes significance with respect to the 

control (n=3, p<0.05). 
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Figure S8. The molecular weight (Mw) of the PLGA polymer inside CPC scaffolds evaluated by 

advanced polymer chromatography (APC) after fabrication (day 0) and after being leached in PBS 
at 37ºC for 3 days, 4 wks, and 8 wks. GMPs and PLGA MPs were introduced in three different 

weight fractions (0, 10, and 20%). Those that do not share the same letter are statistically 
significantly different (p<0.05). At 8 wks, G0P10 and G10P10 (marked with an *) could not be 

quantified due to chromatogram extending beyond that of the lowest standard (266 Da). 
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Figure S9. Representative scanning electron microscopy (SEM) images showing the internal 
morphology of composites upon fabrication (Day 0). The smooth spherical particles annotated by 
a yellow arrow represent PLGA MPs, while the jagged irregular particles marked with a green 

arrow represent GMPs. The white scale bar in the image represents 50 μm. 
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Figure S10. Representative μCT cross sections of GMP/PLGA/CPC composites after being 
leached for 3 days (A) and 8 weeks (B). Scale bar represents 1 mm. 

  

B 
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Figure S11. Representative pore interconnectivity of the GMP/PLGA/CPC composites after being 

leached for 3 days (A) and 8 wks (B). In both graphs, the percentage of porosity available to allow the 
penetration of an object of a given size is presented. 

 

A 

B 
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Table S3. Mass Remaining Analysis (ANOVA) 

Fit Group 
Oneway Analysis of Mass Left By Group 

 
 
 
 
Means Comparisons 
Comparisons for all pairs using Tukey-Kramer 
HSD 
Confidence Quantile 
 

q* Alpha 
3.89742 0.05 
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Connecting Letters Report 
 
Level                 Mean 
G0P0_3 A                83.696667 
G0P10_3 A B               81.933333 
G0P20_3 A B               80.863333 
G0P0_4 A B C              80.106690 
G0P0_8 A B C              79.846965 
G10P20_3  B C D             76.556667 
G10P10_3  B C D E            76.323333 
G0P10_4  B C D E            75.140923 
G10P0_3   C D E F           73.573333 
G10P0_4    D E F G          69.718951 
G10P0_8     E F G          69.361799 
G10P10_4      F G H         67.674635 
G0P20_4      F G H I        66.531196 
G20P0_3       G H I        65.816667 
G20P0_4       G H I J       65.383789 
G20P0_8       G H I J       65.062973 
G0P10_8       G H I J K      63.923890 
G20P10_3        H I J K L     60.643333 
G20P20_3         I J K L     60.153333 
G10P20_4          J K L M    58.410180 
G20P10_4           K L M N   56.901966 
G20P20_4            L M N   56.543057 
G10P10_8             M N O  52.690039 
G20P10_8              N O  50.901707 
G10P20_8               O  46.831728 
G0P20_8               O  46.309273 
G20P20_8                P 36.886561 
 
Levels not connected by same letter are significantly different. 
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Table S4. Porosity Analysis (ANOVA) 

Oneway Analysis of Porosity By Group 

 
 
 
 
Means Comparisons 
Comparisons for all pairs using Tukey-Kramer 
HSD 
Confidence Quantile 
 

q* Alpha 
3.89742 0.05 
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Connecting Letters Report 
 
Level             Mean 
G20P20_8 A            45.713000 
G10P20_8  B           35.011333 
G20P20_4  B C          30.419933 
G20P10_8  B C D         30.045567 
G20P20_3   C D E        25.296667 
G20P10_4   C D E        24.973189 
G20P0_8   C D E        24.473000 
G20P10_3    D E        24.216333 
G20P0_3     E        23.855467 
G10P10_8     E        23.081000 
G20P0_4     E        23.009756 
G10P20_4     E        22.416244 
G0P20_8     E F       21.860533 
G10P10_4      F G      16.025233 
G10P20_3       G H     14.893600 
G10P10_3       G H I    13.527867 
G0P10_8       G H I    13.417100 
G0P20_4       G H I    12.764244 
G10P0_4       G H I    11.618156 
G10P0_8        H I J   9.594833 
G10P0_3        H I J   9.543693 
G0P10_4         I J K  8.431644 
G0P10_3          J K L 3.631233 
G0P20_3           K L 2.973200 
G0P0_3           K L 2.753377 
G0P0_4            L 1.420053 
G0P0_8            L 1.420053 
 
Levels not connected by same letter are significantly different. 
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Table S5. Mean Pore Size Analysis (ANOVA) 

Oneway Analysis of Mean By Group 

 
 
 
 
Means Comparisons 
Comparisons for all pairs using Tukey-Kramer 
HSD 
Confidence Quantile 
 

q* Alpha 
3.89742 0.05 
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Connecting Letters Report 
 
Level               Mean 
G20P20_8 A              260.76000 
G20P10_8 A B             249.98667 
G10P20_8  B C            203.76000 
G20P0_8   C D           176.46667 
G10P10_8   C D E          173.42000 
G10P0_8   C D E          171.01667 
G20P20_4   C D E F         167.20333 
G10P0_4   C D E F         164.39333 
G20P0_3   C D E F         164.18000 
G10P0_3   C D E F G        160.18333 
G20P0_4   C D E F G H       153.93000 
G20P10_4    D E F G H       151.63000 
G0P20_8    D E F G H       144.19667 
G10P10_4    D E F G H       142.83667 
G10P20_4     E F G H I      124.29667 
G20P20_3      F G H I J     120.51333 
G10P10_3       G H I J K    111.68667 
G0P10_8       G H I J K    110.18333 
G20P10_3        H I J K    104.33333 
G10P20_3         I J K L   91.25667 
G0P10_4          J K L M  73.15333 
G0P20_4           K L M N 68.57000 
G0P10_3            L M N 45.28667 
G0P20_3            L M N 43.92000 
G0P0_8             M N 22.82000 
G0P0_4              N 21.84333 
G0P0_3              N 19.18333 
 
Levels not connected by same letter are significantly different. 
 
 

 

 

 



  

 175 

Table S6. Mode Pore Size Analysis (ANOVA) 

Oneway Analysis of Mode By Group 

 
 
Means Comparisons 
Comparisons for all pairs using Tukey-Kramer 
HSD 
Confidence Quantile 
 

q* Alpha 
3.89742 0.05 
 
Connecting Letters Report 
 
Level           Mean 
G20P20_8 A          334.63000 
G20P10_8 A B         296.26000 
G10P20_8 A B C        280.31667 
G20P20_4  B C D       260.75333 
G10P20_4  B C D E      248.47667 
G10P10_8  B C D E      239.71333 
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Level           Mean 
G20P10_4  B C D E      238.38667 
G10P10_4   C D E F     226.09333 
G20P20_3   C D E F     216.48333 
G20P0_4    D E F     215.24667 
G20P10_3    D E F     214.78333 
G10P0_8    D E F     213.08667 
G20P0_8    D E F     210.84333 
G10P20_3    D E F     204.13000 
G20P0_3    D E F     203.11000 
G10P10_3    D E F     202.67667 
G10P0_3     E F     194.39000 
G10P0_4     E F     193.24333 
G0P10_8      F G    167.42000 
G0P20_8      F G    163.35333 
G0P20_4       G H   104.75000 
G0P10_4        H I  83.27000 
G0P20_3         I J 36.57000 
G0P10_3         I J 27.11000 
G0P0_8         I J 22.08000 
G0P0_4         I J 19.14000 
G0P0_3          J 15.11000 
 
Levels not connected by same letter are significantly different. 
  



  

 177 

Table S7. Incubation Media pH Analysis (ANOVA) 

Oneway Analysis of pH By Group 

 
 
 
 
Means Comparisons 
Comparisons for all pairs using Tukey-Kramer 
HSD 
Confidence Quantile 
 

q* Alpha 
3.89742 0.05 
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Connecting Letters Report 
 
Level            Mean 
G0P0_8 A           6.6000000 
G0P0_4 A           6.4666667 
G0P0_3 A           6.4000000 
G20P0_8 A           6.4000000 
G10P0_4 A           6.3333333 
G20P0_4 A           6.3333333 
G0P20_3 A           6.3000000 
G10P0_8 A           6.3000000 
G0P10_3 A           6.2333333 
G10P0_3  B          5.8000000 
G10P20_3  B          5.7333333 
G10P10_3  B C         5.6333333 
G20P0_3  B C D        5.5666667 
G20P20_3  B C D        5.5333333 
G20P10_3  B C D E       5.4666667 
G0P10_4   C D E F      5.2666667 
G10P10_4    D E F G     5.2000000 
G20P10_4    D E F G H    5.1666667 
G10P10_8     E F G H I   5.1000000 
G20P10_8      F G H I   5.0333333 
G10P20_4      F G H I   4.9000000 
G20P20_4      F G H I   4.8666667 
G0P20_4       G H I   4.8333333 
G10P20_8        H I   4.7666667 
G20P20_8         I   4.7000000 
G0P10_8          J  4.0666667 
G0P20_8           K 3.5333333 
 
Levels not connected by same letter are significantly different. 



 

179 
 

Chapter 9 

Multi-Material Dual Gradient 3D Printing 
for Osteogenic Differentiation and Spatial 

Segregation8  

Abstract  

 In this study of 3D printed composite β-tricalcium phosphate (β-TCP)/hydroxyapatite 

(HA)/poly(ε-caprolactone) (PCL)-based constructs, the effects of vertical compositional 

ceramic gradients and architectural porosity gradients on the osteogenic differentiation of 

rabbit bone marrow derived mesenchymal stem cells (MSCs) were investigated. 

Specifically, three different concentrations of β-TCP (0, 10, and 20 wt%) and three 

different porosities (33 ± 4 %, 50 ± 4 %, and 65 ± 3 %) were examined to elucidate the 

contributions of chemical and physical gradients on the biochemical behavior of MSCs and 

 
8 This chapter was published as Bittner, Sean M. and Brandon T. Smith, Emma Watson, Mollie M. 
Smoak, Luis Diaz-Gomez, Eric R. Molina, Yu Seon Kim, Carrigan D. Hudgins, Anthony J. Melchiorri, 
David W. Scott, K.Jane Grande-Allen, James J. Yoo, Anthony Atala, John P. Fisher, Antonios G. Mikos. 
Multi-Material Dual Gradient 3D Printing for Osteogenic Differentiation and Spatial Segregation. Tissue 
Engineering Part A. Accepted 2019.  
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the mineralized matrix production within a 3D culture system. By delaminating the 

constructs at the gradient transition point, the spatial separation of cellular phenotypes 

could be specifically evaluated for each construct section. Results indicated that increased 

concentrations of β-TCP resulted in up-regulation of osteogenic markers including alkaline 

phosphatase activity and mineralized matrix development. Furthermore, MSCs located 

within regions of higher porosity displayed a more mature osteogenic phenotype compared 

to MSCs in lower porosity regions. These results demonstrate that 3D printing can be 

leveraged to create multiphasic gradient constructs to precisely direct the development and 

function of MSCs, leading to a phenotypic gradient.  
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Introduction  

In clinical practice, autogenous bone grafts are the gold standard for the treatment 

of bone defects, delayed unions, and non-unions [448]. However, due to drawbacks 

associated with these grafts, such as failing to adequately address the soft tissue-to-bone 

interface, research into future treatment methods increasingly focuses on the substantial 

advancement of constructs for tissue engineering [449-451]. Native bone tissue has a 

complex heterogenous architecture that possesses regional differences in structure and 

composition [452]. For example, cortical bone has a higher degree of mineralization and  a 

20-30% higher tissue compressive strength compared to trabecular bone [453-455]. 

Additionally, long bones have a radial gradient in porosity when transitioning from 

trabecular to cortical bone [456]. Furthermore, defects of soft tissue-to-bone interfaces, 

such as the osteochondral unit, demonstrate an even more heterogenous structure because 

they are composed of relatively simple building blocks that combine to form exceedingly 

complex structures [457]. With the advent of a diverse array of biofabrication techniques, 

one can now fabricate multiphasic constructs that recreate the complex architectural and 

compositional gradients present in tissues and interfaces [458]. 

To better recapitulate the complex heterogenous structure of tissue interfaces, 

several different techniques have been investigated that aim to restore the native zonal 

architecture and cellular phenotypic transitions. One such approach takes inspiration from 

nature, where different biological processes, such as wound healing, nerve regeneration, 

immune response,  angiogenesis, and tissue architecture, are mediated by bioactive 

molecule gradients [459, 460]. In this type of approach, the spatiotemporal patterning and 

dispersion of bioactive molecules such as growth factors is specifically controlled to create 

gradients in biochemical signaling, leading to the formation of heterogeneous tissues [267, 

327, 461, 462]. As an example, the delivery of transforming growth factor-β1 (TGF-β1) 

and bone morphogenetic protein-2 (BMP-2) was leveraged in a graded manner to control 

the arrangement of regenerated cartilage and subchondral bone tissue [461]. Another 

creative approach has leveraged modified viral vectors rather than growth factors to 

accomplish spatially-stratified phenotypic changes in cultured cells [463-465]. Such 

demonstrations display the utility of viral vectors for therapeutic benefit. For example, the 
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zonal organization of the soft tissue-to-bone interface can be recapitulated by seeding 

fibroblasts onto polymeric constructs that contained a graded distribution of a retroviral 

vector for transcription factor Runx2 [465]. However, both of these approaches leverage 

exogenous biologics or viral vectors to ultimately control the zonal organization, whereas 

it may be desirable to exclude these added factors.  

One can additionally leverage 3D synthetic constructs for tissue engineering 

without relying on viral vectors or biologics and still impart a variety of mechanical and 

biochemical stimuli to affect cell behavior and phenotype. With respect to the physical 

attributes of the scaffold or environment, several studies have demonstrated that, in 

particular, porosity and pore size have significant implications on the osteogenic 

differentiation of mesenchymal stem cells (MSCs) [466-470]. In vitro it was demonstrated 

that a construct’s mean pore size affects the cellular activity of cultured pre-osteogenic 

cells, and that small changes in the mean pore size can dramatically change cell adhesion 

and distribution, thereby affecting the osteogenic differentiation by impacting the paracrine 

signaling distance [471, 472]. Many cytocompatible synthetic polymers exhibit a bioinert 

surface resulting in minimal tissue response or capability for direct cell interaction without 

the assistance of additives or adsorbed proteins [473, 474].  By incorporating additives 

within synthetic polymers, such as poly(ε-caprolactone) (PCL), one can improve the 

attachment, proliferation, and ultimately affect the osteogenesis of MSCs [475-482]. 

Among other such additives, ceramic materials, such as hydroxyapatite (HA) and β-

tricalcium phosphate (β-TCP), are widely used as synthetic bone substitutes that have been 

shown to affect the osteogenic differentiation of MSCs [452, 457, 483-488]. Recently in 

the field of tissue engineering, three-dimensional printing (3DP) has emerged as an 

attractive technique for the development of biphasic, triphasic, and even multiphasic 

constructs that better mimic the complexities of tissues and interfaces [489-492]. The 

improved understanding of the effects of architectural and compositional aspects of graded 

constructs on osteogenic differentiation of MSCs will further guide construct design and 

fabrication for interfacial tissue engineering. 

In the present work, 3D printed porous composite PCL-based constructs with 

vertical gradients in porosity and pore size, as well as ceramic content of β-TCP were 

fabricated and seeded with MSCs to direct spatially-dependent osteogenic differentiation. 
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The constructs were then evaluated using a variety of biochemical assays to elucidate the 

individual and combined effects of compositional and architectural gradients on the 

osteogenic differentiation and mineralized matrix development of MSCs in a 3D culture 

environment. Specifically, this study focused on the effects of 1) a vertical porosity 

gradient; 2) a vertical ceramic gradient; and 3) a combined dual vertical porosity/ceramic 

gradient on the spatiotemporal osteogenic differentiation of cultured MSCs and 

mineralized matrix deposition.   

Materials and Methods 

Experimental design 

In order to evaluate the specific objectives of the study as outlined above, seven 

different experimental groups (Table 5) were examined for directing the spatiotemporal 

osteogenic differentiation of MSCs. As presented in Figure 1, groups either contained 

uniform architecture and composition, a vertical architectural gradient, a vertical 

compositional gradient, or a combined vertical architectural/compositional (dual) gradient. 

The bulk material used for control scaffolds PoreU and PoreG was 10 wt% HA in PCL. To 

observe baseline effects of uniformly increased ceramic content, the bulk material for 

control scaffolds TCP10PoreU and TCP10PoreG was 10 wt% HA and 10 wt% β-TCP in 

PCL.  To elucidate the individual effects of a ceramic gradient, the TCPGPoreU and 

TCPGPoreG groups were composed of three different bulk materials: 0 wt% β-TCP/10 wt% 

HA in the top section, 10 wt% β-TCP/10 wt% HA in the middle section, and 20 wt% β-

TCP/10 wt% HA in the bottom section. The TCPGPoreU and TCPGPoreG groups were then 

compared to the PoreU/TCP10PoreU and PoreG/TCP10PoreG groups, respectively. To 

elucidate the individual effects of a porosity gradient, groups PoreU, TCP10PoreU, and 

TCPGPoreU were compared with groups PoreG, TCP10PoreG, and TCPGPoreG respectively. 

Finally, the combined effects of a dual porosity/ceramic gradient were evaluated by 

comparing the first experimental group, TCPGPoreG, with the uniform porosity and ceramic 

negative controls, PoreU and TCP10PoreU. The second experimental group, TCPGPoreGI, 

was included to additionally observe the effect of an inverted pore gradient relative to the 

TCPGPoreG group. 
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Figure 35. Cross-sectional view of architectural, compositional, and dual gradient constructs 
presented in the same orientation that was maintained over the duration of the study (the section 

that was resting on the bottom of the well-plate corresponds to the section at the bottom of the 
figure).  

Each construct was comprised of 3 sections that had a fiber spacing of 0.2 mm (S), 0.6 mm 
(M), or 1.0 mm (L) and a concentration of β-TCP of 0, 10, or 20 wt% as described in Table 5. 

 

Fabrication of the 3D Printed β-TCP/HA/PCL Composite Constructs  

The 3D printed composite scaffolds were fabricated by adapting previously established 

protocols in our laboratory [493, 494]. Briefly, HA (average particle size 208 nm, Sigma-

Aldrich, St. Louis, MO), PCL (nominal molecular weight 50,000 Da, Mn = 41,000 ± 900 

Da, Mw = 56,000 ± 1,200 Da, Polysciences, Warrington, PA), and β-TCP (average particle 

size 237 nm, Sigma-Aldrich, St. Louis, MO) were homogeneously mixed in a mortar and 

pestle at varying weight percentages, as outlined in Table 1. The molecular weight of PCL 

was determined using an ACQUITY Advanced Polymer Chromatography as previously 

described [493].  Square models (8 mm x 8 mm x 4.32 mm) were designed in SketchUp 

(Trimble, Sunnyvale, CA, USA) and sliced at a layer thickness of 0.36 mm in BioplotterRP 

Software for 3D printing (EnvisionTEC, Gladbeck, Germany). Three distinct fiber spacing 

patterns – 0.2 mm (small, S), 0.6 mm (medium, M), and 1.0 mm (large, L) – were created 

by altering the spacing between adjacent fibers. β-TCP/HA/PCL mixtures were printed 

using a 3D Bioplotter (EnvisionTEC). Printing conditions (pressure, speed, pre- and post-

flow, wait time) were set for each composition to maintain a fiber diameter of 400 ± 60 μm 

(15% quality control window) and are shown in Table 6. To manufacture constructs with 

porosity gradients, three separate square models corresponding to the selected fiber 

spacings were stacked within the Bioplotter RP Software and sliced with the same layer 

thickness as stated above (0.36 mm). Finally, scaffolds that had a compositional gradient 
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were printed in a similar manner, but three separate high temperature cartridges were 

employed.    

Table 5.  β-TCP/HA/PCL formulations for 3D printed constructs*. 

Formulation 
HA 

(wt%) 

β-TCP 

(wt%) Pore Gradient 

PoreU 10 0 Uniform (M) 

PoreG 10 0 Gradient (S,M,L) 

TCP10PoreU 10 10 Uniform (M) 

TCP10PoreG 10 10 Gradient (S,M,L) 

TCPGPoreU 10 
Gradient (0, 10, 

20) 
Uniform (M) 

TCPGPoreG 10 
Gradient (0, 10, 

20) 
Gradient (S,M,L) 

TCPGPoreGI 10 
Gradient (0, 10, 

20) 
Gradient (L,M,S) 

*Constructs were fabricated with three distinct fiber spacings: 0.2 mm (small, S), 0.6 mm 

(medium, M), and 1.0 mm (large, L). Porosity and gradient ceramic concentrations are 

listed in the orientation, from top to bottom, during cell culture.  

 

 
 
 
 
 

Table 6. List of scaffold printing conditions/parameters. 

Material 
Temperature 

(°C) 

Pressure 

(bar) 

Speed 

(mm/s) 

Pre-Flow 

(s) 

Post-Flow 

(s) 

0 wt% β-TCP 160 5.2 1.1 0.85 0.55 
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10 wt% HA 

10 wt% β-TCP 

10 wt% HA 
160 6.0 1.3 0.7 0.45 

20 wt% β-TCP 

10 wt% HA 
160 6.2 0.7 0.8 0.7 

 

Structural Architecture of 3D Printed Composites 

Constructs were analyzed by microcomputed tomography (μCT) in order to quantify 

the fiber diameters and porosity gradient [493, 495]. Briefly, 3D printed constructs (n=3) 

were scanned using a Skyscan 1272 (Bruker, Kontich, Belgium) at an x-ray voltage and 

current of 40 kV and 250 μA, respectively. Scans were performed with a rotation step size 

of 0.6º, 16.0 μm/pixel, frame averaging of 4, and a random movement of 10. Raw images 

were reconstructed using NReconn (Bruker). In order to determine the fiber size and 

porosity present in each section of the constructs, a 7.5 mm x 7.5 mm x 1.2 mm region of 

interest was used in each subsection of the construct and analyzed in CTan (Bruker). To 

determine the fiber diameter in each section, 10 longitudinal slices were randomly selected, 

and an average fiber diameter for one scaffold section was obtained using n=10 fibers/slice. 

Group average fiber diameters were obtained using n= 3 sections/group.  

Rabbit Bone Marrow Mesenchymal Stem Cell Harvest 

All experimental and surgical protocols were reviewed and approved by the Rice 

University Institutional Animal Care and Use Committee and were conducted following 

the animal care and use guidelines set forth by the National Institutes of Health. MSCs 

were isolated from the bone marrow of 6 month old New Zealand male white rabbits as 

previously described [496]. After induction of anesthesia, bone marrow was aspirated into 

10 mL syringes that contained 1000 U of heparin. The bone marrow aspirate was cultured 

in 225-cm2 tissue culture flasks for 3 weeks in an incubator at 37 ºC and 5% CO2, with 

medium changes every 3 days, in general medium (GM) containing low-glucose 

Dulbecco’s modified Eagle’s medium (DMEM-LG), 10% v/v fetal bovine serum (FBS), 



  

 187 

1% v/v GlutaMAX, and 1% v/v penicillin/streptomycin/fungizone (PSF).  After which, the 

adherent fraction of cells from the 6 rabbits was pooled in order to minimize inter-animal 

variability and designated as “MSCs” given the established osteogenic potential of these 

cells [116, 448]. MSCs were expanded in GM and seeded on the constructs at passage four.  

Seeding of 3D Printed Scaffolds 

After fabrication, 3D printed constructs were sterilized in a 12 h ethylene oxide cycle 

(Anprolene AN74i , Anderson Sterilizers, Haw River, NC) and allowed to vent for 24 h 

prior to cell seeding. Constructs were immersed in a sterile gradient of ethanol and 

phosphate buffered saline (PBS, Gibco, Waltham, MA) (100, 75, 50, 25 and 0%), washed 

3 times with PBS and incubated in 2 mL of complete medium overnight on a shaker table. 

On the following day, four constructs were placed into a 10 mL syringe with 3 mL of 

complete medium and a concentration of 5.0 x 105 cells/mL measured by a hemocytometer. 

Syringe plungers were compressed to remove any air and capped with a sterile syringe 

filter. After which, syringes with the constructs were placed on a rotating wheel (5 RPM) 

in an incubator for 14 hrs to facilitate cell adhesion. Individual constructs were transferred 

to 24-well plates (ultralow attachment plates) with 1 mL of complete osteogenic medium 

(DMEM-LG, 10% v/v FBS, 10 mM β-glycerol-2-phosphate, 10 nM dexamethasone, 50 

mg/mL ascorbic acid, 1% v/v GlutaMAX, and 1% v/v PSF) per well, which was exchanged 

every two days. Seeded constructs were cultured for 3, 14, or 28 days. To evaluate cell 

proliferation between days 1 and 3 of culture, gradient ceramic constructs (TCPGPoreU, 

TCPGPoreG, and TCPGPoreGI were separately seeded and cultured for 1 or 3 days following 

the same methods described above. 

Biochemical Assays  

After the respective culture periods, constructs were rinsed twice in PBS, cut in half 

longitudinally, delaminated, and placed into 400 µL of sterile-filtered Millipore water and 

frozen at -20 ºC for further analysis. Each construct underwent three freeze thaw cycles 

followed by ultrasonication to lyse the cells in order to assay the delaminated constructs 

for cellularity and alkaline phosphatase (ALP) activity. The amount of DNA was quantified 

using a Quant-iT PicoGreen dsDNA Assay Kit (Molecular Probes, Eugene, OR) according 
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to the manufacturer’s instructions. Briefly, cell lysate, assay buffer, and dye solution were 

placed into the well of a black 96-well plate and incubated for 10 min at room temperature. 

Fluorescence was measured with an excitation wavelength of 490 nm and emission 

wavelength of 520 nm (BioTek FLX800, Winooski, VT). Following previous established 

protocols, the amount of DNA present in the cell population used to seed the scaffolds was 

determined to be 4.4 ± 0.2 pg/cell, using n=3 samples of 100,000 MSCs. Results are 

expressed as cells per section by normalizing the measured DNA content from 

experimental samples to this value [497]. ALP enzymatic activity was determined 

according to an established colorimetric assay that relies on the conversion of para-

nitrophenylphosphate to para-nitrophenol (Abcam, Cambridge, MA) [498]. In order to 

measure the calcium content, acetic acid was added to the samples (n=4) with a final 

concentration of 0.5 M and incubated on a shaker table at room temperature overnight. 

Calcium arenazo III (Sigma-Aldrich) reagent was then added and the absorbance at 650 

nm was measured with a (BioTek Powerwave x340) plate reader. Values were normalized 

to cell number for each respective delaminated section.  Unseeded constructs were 

incubated under identical conditions as the cultured constructs for 3, 14, and 28 days, at 

which point the calcium was measured (Figure S12) in order to correct for calcium 

deposited from the medium or present within the constructs to ensure that the calcium 

measured accurately reflected active mineralization by the cultured cells.   

Real-time Reverse Transcription Polymerase Chain Reaction  

To evaluate the change of osteogenic genes, constructs were rinsed twice in PBS, 

delaminated, and cut into small pieces. In order to reproducibly delaminate the constructs, 

a 3D printed guide was manufactured such that a microtome blade could be used to cut the 

constructs at the architectural or compositional transition points. The guide referenced the 

surface of the construct that was adjacent to the printer bed during fabrication in order to 

ensure sections were flat and parallel to the horizontal faces. Sections of compositions from 

similar constructs were combined in order to ensure the collection of a sufficient amount 

of RNA, as has been described previously, placed in an Eppendorf tube with 1 mL of 

TRIzol (Invitrogen, Carlsbad, CA), and stored at -80 ºC [468]. RNA was isolated with a 

TRIzol Plus RNA Purification Kit (Invitrogen) following the manufacturer’s instructions 
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for isolation of RNA from animal cells. The concentration and the purity of RNA were 

evaluated with a Nanodrop 2000 (Thermo Fisher, Waltham, MA). Reverse transcription 

was performed using One-Step SYBR™ GreenER™ Kit, with premixed ROX (Invitrogen) 

and the primers listed in Table 7 [498-500]. PCR was performed on the CFX96Touch (Bio-

Rad Laboratories, Hercules, CA) under the recommended conditions: cDNA was 

synthesized at 60 ºC for 10 min, denatured at 95 ºC for 2 min, followed by 40 cycles of 95 

ºC for 15 s and 65 ºC for 60 s. The expression of target genes was normalized to the 

expression of the housekeeping gene glyceraldehyde-3-phosphate dehydrogenase 

(GAPDH) in the samples (DCt) (n=1). Results are expressed as fold induction in mRNA 

expression normalized to the gene expression of the MSC cell stock used to seed the 

scaffolds.  
Table 7. Primer sequences for RT-PCR. 

Gene 
Forward Primer 

(5’-3’) 

Reverse Primer 

(5’-3’) 

GAPDH TCACCATCTTCCAGGAGCGA CACAATGCCGAAGTGGTCGT 

Osteocalcin CAAAGCCCAGCGGTGCAGAGTCT AGCTCCCTGCCCGTCGATCAGTT 

Osteopontin CACCATGAGAATCGCCGT CGTGACTTTGGGTTTCTACGC 

Runx2 CCTTCCACTCTCAGTAAGAAGA TAAGTAAAGGTGGCTGGATAGT 

 

Histological Processing   

Constructs were longitudinally sectioned in half and sent to the MD Anderson Cancer 

Center Research Histology Core Laboratory (Houston, TX, USA) for embedding and 

cryosectioning. Sections (5 μm) were taken from the center of the constructs and staining 

was performed with von Kossa using a 2% silver nitrate solution incubated under UV for 

30 min. 

Confocal Microscopy  

After 1 and 3 days in culture, transverse sections (1 mm thick) of constructs were rinsed 

twice in PBS, fixed in Richard-Allan Scientific Neutral Buffered Formalin (10%) (Thermo 

Fisher) for 30 min, and permeabilized with CytoVista permeabilization buffer (Invitrogen) 
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for 30 min at room temperature. Samples were then washed three times in CytoVista wash 

buffer (Invitrogen) for 5 min at room temperature and submerged in Image-IT FX Signal 

Enhancer (Invitrogen). Samples were then stained for actin with Alexa Fluor 488 

Phalloidin (Invitrogen) at a concentration of 6 μL/mL and the nuclei were stained with 4,6-

diamidino-2-phenylindole (DAPI; Abcam, Boston, MA) staining solution (2.5 μM in PBS) 

and washed three times in PBS. Samples were then visualized with a Nikon A1 confocal 

microscope (Minato, Tokyo, Japan).   

Fluorescence Microscopy 

After 1 and 3 days the TCPGPoreU group was assessed for cell aggregations within the 

pores by using fluorescence microscopy following previous protocols [501]. Briefly, 

constructs were rinsed twice in PBS, fixed in 4% paraformaldehyde for 30 min, and 

permeabilized with CytoVista permeabilization buffer (Invitrogen) for 30 min at room 

temperature. Constructs were stained with Alexa Fluor 488 Phalloidin (Invitrogen) at a 

concentration of 6 μL/mL and three different sections (top, middle, and bottom) were 

visualized with a Nikon Ti2-U with a DS-FI3 microscope camera. 

Statistical Analysis 

JMP Pro 14 (SAS, Cary, NC) was used to evaluate the data set using a one-way 

analysis of variance (ANOVA) test with post hoc analysis by Tukey’s honestly 

significant difference (HSD). Results were considered significant at p < 0.05. Results are 

presented as means ± standard deviations.  

Results 

Scaffold Architecture  

The average fiber diameters measured for each scaffold section and group are presented 

in Figure 36. A ±15% quality control window on the desired nominal fiber diameter of 400 

μm was applied to all scaffolds. Scaffolds with average fiber diameters outside of this 

criterion were not included in the study, and replacement scaffolds were printed with the 
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same conditions. As seen in Figure 3, for gradient scaffolds, sections of significantly 

different (p < 0.05) porosities were incorporated by varying the lateral fiber spacing 

between sections. Specifically, the porosities (Figure 37) of individual zones were 32.9 ± 

3.2 %, 50.1 ± 3.8 %, and 65.4 ± 2.4 % for the small (0.2 mm), medium (0.6 mm), and large 

(1.0 mm) fiber spacings, respectively. Furthermore, among uniform and gradient scaffolds, 

the porosity of the uniform scaffolds (0.6 mm fiber spacing) was similar (p > 0.05) to the 

porosity of the 0.6 mm zone of gradient scaffolds.  

Figure 36. Average fiber diameters within each section of the different formulations investigated 
(Figure 35). 

Data are reported as the means ± standard deviation. Top, middle, and bottom refers to the location 
of the section within the construct during cell culture. Dashed green lines represent 400 ± 60 μm 
(15% quality control window), while the dashed black line represents the 400 μm desired fiber 

diameter (n1=3 scaffolds/group, n2=3 sections/scaffold, and n3=10 fibers/section). 
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Figure 37. Porosity of the β-TCP/HA/PCL composites (Figure 35) evaluated by μCT. Top, 
middle, and bottom refers to the location of the section within the construct during cell culture. 

Data are reported as the means ± standard deviation. Groups that do not share the same 
letter are significantly different (n=3, p < 0.05). 

Cellularity 

The cellularity of the constructs was analyzed at days 3, 14, and 28 (Figure 38). At day 

3, there was no discernible difference in the cellularity between the individual sections of 

the constructs (p > 0.05). After 14 days, significant differences between sections could be 

observed. Specifically, sections that contained 20 wt% β-TCP (bottom section of 

TCPGPoreU, TCPGPoreG, and TCPGPoreGI) had lower cell content compared to sections 
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containing 0 wt% β-TCP within the same construct (top section of TCPGPoreU, 

TCPGPoreG, and TCPGPoreGI, p < 0.05). In addition, equivalent cellularity was observed 

between sections of groups that contained a uniform ceramic concentration independent of 

the pore gradient (PoreU and PoreG, TCP10PoreU and TCP10PoreG, p > 0.05). At day 28, 

the majority of sections had similar cellularity (p > 0.05). The only noticeable difference 

was between the top and bottom section of TCP10PoreG (p < 0.05).  Finally, the cell 

distribution is presented in Figure S13, and it was observed that dynamic seeding resulted 

in a homogenous attachment of cells.  

 

Figure 38. Cellularity of the β-TCP/HA/PCL constructs (Figure 35) at 3 days (A), 14 days 
(B), and 28 days (C) of culture. 

 Data are reported as the means ± standard deviation. Top, middle, and bottom refers to the 
location of the section within the construct during cell culture. Within each timepoint, sections 

that do not share the same letter are significantly different (p < 0.05, n=4). 
 

The cellularity of gradient ceramic constructs (TCPGPoreU, TCPGPoreG, and 

TCPGPoreGI) was separately analyzed at days 1 and 3 (Figure S14). At both day 1 and day 

3, there were no discernable differences in the cellularity between individual construct 

sections containing either the same ceramic composition or the same pore architecture (p 

> 0.05). At day 3, the cellularity of all construct sections trended higher compared to day 

1, with statistically significant increases observed in all construct sections containing 20 

wt% β-TCP (bottom sections of TCPGPoreU, TCPGPoreG, and TCPGPoreGI, p < 0.05) as 

well as the middle section of the TCPGPoreG group and the top and middle sections of the 

TCPGPoreGI group (p < 0.05). Confocal microscopy of gradient ceramic constructs 

(TCPGPoreU, TCPGPoreG, and TCPGPoreGI, Figure 39) demonstrated uniform spreading of 

seeded cells across the constructs at day 1. Additionally, fluorescence microscopy of the 

TCPGPoreU formulation (Figure S15) demonstrated the formation cell aggregates on top of 
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construct fibers. Additionally, in both Figure 39 and Figure S15, cellular material can be 

observed extending into the construct pores. 

 

Figure 39. Confocal images of TCPGPoreU, TCPGPoreG, and TCPGPoreGI, at day 1.  
Samples were stained for actin with phalloidin (green) and nuclei with DAPI (blue). Yellow 

asterisks represent pore spaces within the scaffold. Scale bar is 100 μm. 

ALP Activity  

To evaluate the early commitment to osteogenic differentiation, ALP activity was 

measured at days 3, 14, and 28 (Figure 40). At day 14, equivalent ALP activity was 

observed between sections of scaffolds that contained 0 wt% β-TCP (PoreU vs. PoreG, p > 

0.05) and 10 wt% β-TCP (TCP10PoreU vs. TCP10PoreG, p > 0.05), while a significantly 

higher ALP activity was observed in the sections containing 20 wt% β-TCP when 

compared to the 0 wt% β-TCP sections within the same construct for groups with a β-TCP 

gradient (TCPGPoreG, and TCPGPoreGI, p < 0.05). A temporal increase in ALP activity was 

observed at day 14 in groups that contained a ceramic gradient independent of the presence 

of a porosity gradient compared to the same sections at 3 days (TCPGPoreU, TCPGPoreG, 

and TCPGPoreGI, p < 0.05).  Finally, peak ALP activity was observed at day 14 in groups 

that contained a ceramic gradient (TCPGPoreU, TCPGPoreG, and TCPGPoreGI, p < 0.05) 

followed by a decrease in ALP activity at day 28. 
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Figure 40. ALP activity of the β-TCP/HA/PCL constructs (Figure 35) at 3 days (A), 14 days 
(B), and 28 days (C) of culture.  

Data are reported as the means ± standard deviation. Top, middle, and bottom refers to the 
location of the section within the construct during cell culture. Within each timepoint, sections 

that do not share the same letter are significantly different. ^, *, and + indicate significant 
differences for the same experimental group between 3 and 14, 14 and 28, and 3 and 28 days, 

respectively (p < 0.05, n=4). 

Osteogenic Differentiation  

To understand the effects of physical and biochemical gradients on early and late 

osteogenic differentiation, quantitative RT-PCR for specific osteogenic markers was 

performed (Figures 41, 42, 43). Maximum Runx2 expression (Figure 41) was observed in 

all groups at day 3 followed by a decline for the remainder of the study. The concentration 

of β-TCP appeared to affect the up-regulation of Runx2 at day 3. Specifically, the 

expression level of Runx2 trended higher in sections that contained 20 wt% β-TCP 

compared to sections that contained 0 wt% β-TCP within the same construct (TCPGPoreU, 

TCPGPoreG, and TCPGPoreGI). Within the TCP10PoreG group at day 3, the highest porosity 

section appeared to demonstrate an up-regulation of Runx2 compared to the lowest porosity 

section, although the effect of porosity on Runx2 expression was not observed for the PoreG 

group. At day 3 the expressions of late osteogenic differentiation (osteopontin (Opn, Figure 

42) and osteocalcin (Ocn, Figure 43)) was similar. However, at day 14, scaffold sections 

containing 20 wt% β-TCP and the highest porosity (bottom section of TCPGPoreG) tended 

to have higher expression of Opn. While the apparent upregulation of Opn due to β-TCP 

concentration was observed after 14 days, the impact of porosity on trends in Opn 

expression was not observed until day 28. Specifically, at 28 days in both the PoreG and 

TCP10PoreG groups, sections of higher porosity tended to have up-regulated Opn levels 
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compared to sections of lower porosity. Finally, a temporal increase in Opn expression was 

observed for sections that had at least 10 wt% β-TCP present. Regarding Ocn expression 

(Figure 43), up-regulation was observed in all groups after 14 days with maximum 

expression detected at day 28. Also, increasing concentration of β-TCP from 0 to 20 wt% 

resulted in an upward trend in Ocn expression after day 14. 

 

Figure 41. Runx2 fold induction of the β-TCP/HA/PCL constructs (Figure 35) at 3 days (A), 
14 days (B), and 28 days (C) of culture. Data are reported as single measurements from four 

combined sections of similar constructs (n=1). Top, middle, and bottom refers to the location of 
the section within the construct during cell culture. 

 

Figure 42. Osteopontin (Opn) fold induction of the β-TCP/HA/PCL constructs (Figure 35) at 
3 days (A), 14 days (B), and 28 days (C) of culture.  

Data are reported as single measurements from four combined sections of similar constructs 
(n=1). Top, middle, and bottom refers to the location of the section within the construct during 

cell culture. 
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Figure 43. Osteocalcin (Ocn) fold induction of the β-TCP/HA/PCL constructs (Figure 35) at 
3 days (A), 14 days (B), and 28 days (C) of culture.  

Data are reported as single measurements from four combined sections of similar constructs 
(n=1). Top, middle, and bottom refers to the location of the section within the construct during 

cell culture. 

Mineralized Matrix  

A calcium deposition assay (Figure 44 and Figure 45) was used in order to assess the 

amount of mineralized matrix, which is considered to be evidence of full osteogenic 

maturation [502]. At all timepoints, no spatial differences in mineralization were observed 

between sections of groups with uniform porosity and composition (PoreU and 

TCP10PoreU, p > 0.05) (Figure 44).  At 14 days, MSCs that were seeded in sections that 

contained higher concentrations of β-TCP demonstrated higher levels of mineralization per 

cell. Specifically, layers that contained 20 wt% β-TCP had significantly higher 

mineralization when compared to layers that contained 0 wt% or 10 wt% β-TCP 

(TCPGPoreU and TCPGPoreGI, p < 0.05).  In fact, a 2-fold increase of total ceramic content 

after the addition of β-TCP resulted in over a 10-fold increase in mineralization after 14 

days (PoreU vs. TCP10PoreU). Interestingly, at 14 days there were no observable 

differences in mineralization between groups that only had a pore gradient compared to 

their respective uniform pore controls (PoreU and PoreG, TCP10PoreU and TCP10PoreG, p 

> 0.05). After 28 days, the section that contained 20 wt% β-TCP and the highest porosity 

(bottom section of TCPGPoreG) had a higher level of mineralization (on a per cell basis) 

than any other section (p < 0.05) (Figure 45). Finally, differences in mineralization were 

detected after 28 days between sections that contained the highest and lowest porosity in 

uniform ceramic, gradient porosity constructs (PoreG and TCP10PoreG, p < 0.05). 

Representative histological sections at 28 days are presented in Figure S16 in order to 

visualize the amount of mineralization. It was observed that increasing concentrations of 
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β-TCP resulted in enhanced mineralization, as noted by the enhanced black staining around 

the perimeter of the pores.  

 

Figure 44. Calcium deposition in the β-TCP/HA/PCL constructs (Figure 1) on a per-section 
basis at 3 days (A), 14 days (B), and 28 days (C) of culture. Data are reported as the means ± 
standard deviation. Top, middle, and bottom refers to the location of the section within the 

construct during cell culture. Within each timepoint, sections that do not share the same letter 
are significantly different. ^, *, and + indicate significant differences for the same experimental 

group between 3 and 14, 14 and 28, and 3 and 28 days, respectively (p < 0.05, n=4). 
 

 

Figure 45. Calcium deposition in the β-TCP/HA/PCL constructs (Figure 1) on a per-cell 
basis at 3 days (A), 14 days (B), and 28 days (C) of culture. Top, middle, and bottom refers to the 
location of the section within the construct during cell culture. Data are reported as the means ± 

standard deviation. Within each timepoint, sections that do not share the same letter are 
significantly different. ^, *, and + indicate statistical differences for the same experimental group 

between 3 and 14, 14 and 28, and 3 and 28 days, respectively (p < 0.05, n=4). 
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Discussion 

In the present study, porous 3D printed composite PCL-based constructs with vertical 

gradients in porosity and β-TCP concentration were fabricated, in order to create 

osteoblastic phenotypic gradients of MSCs for the generation of complex heterogenous 

constructs. Specifically, the study focused on the effects of 1) a vertical porosity gradient; 

2) a vertical ceramic gradient of β-TCP; and 3) a combined dual porosity/ceramic gradient 

on the generation of phenotypic gradients of seeded MSCs by individually evaluating 

separate construct sections. To this end, three different concentrations of β-TCP (0, 10, and 

20 wt%) and three different porosities (32.9 ± 3.2 %, 50.1 ± 3.8 %, and 65.4 ± 2.4 %) were 

investigated. The results of this study demonstrated distinct differences in the osteogenic 

differentiation of MSCs depending on their spatial location within graded constructs. In 

particular, regions with the highest concentrations of β-TCP (20 wt%) stimulated 

mineralization in comparison to sections with the lowest concentration of β-TCP (0 wt%) 

at days 14 and 28, independent of pore size. However, differences in mineralization were 

not observed until day 28 for regions that had differing porosities but uniform β-TCP 

concentrations.  

Early and late markers of osteogenic differentiation were assayed to understand the 

effects of β-TCP concentration and construct porosity on the osteogenic differentiation of 

MSCs. Specifically, ALP and Runx2 are early transient markers of osteogenic 

differentiation, while mineralization, Opn, and Ocn are indicative of late-stage osteogenic 

differentiation [503, 504]. The paradigmatic increase and subsequent decrease of ALP 

activity was observed in all groups with peak ALP activity observed at day 14. ALP activity 

between different construct sections was found to be directly related to the amount of β-

TCP present within those sections but independent of the porosity. This observation 

indicates that, during early osteogenic lineage development, β-TCP concentration more 

strongly influences MSC differentiation towards an osteoblastic phenotype compared to 

porosity.  

In a previous study, Takahashi et al. demonstrated that β-TCP had a positive, dose-

dependent effect on the osteogenic differentiation of MSCs that were cultured within 

gelatin sponges [505]. Similarly, a recent study by Diaz-Gomez et al. demonstrated a dose-

dependent effect of HA composition on calcium deposition when radially gradient PCL-
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based scaffolds were incubated in simulated body fluid. Specifically, outermost sections of 

30 wt% HA/PCL demonstrated increased calcium deposition compared to middle sections 

of 15 wt% HA/PCL and inner sections of pure PCL [506]. In the present study, a dose-

dependent effect of β-TCP on mineralization and ALP activity was shown.  Furthermore, 

several studies have observed that β-TCP initiates osteogenic differentiation within 3 days 

[507-509]. For example, Marino et al. demonstrated initiation of osteogenesis within 24 h 

in human adipose stem cells cultured on 3D β-TCP constructs without the use of osteogenic 

medium [508]. In the present study rabbit MSCs were cultured on constructs with different 

concentrations of β-TCP, and as early as 3 days, significant dose-dependent upregulation 

of the osteogenic marker ALP was observed. Also, the further increase in osteogenic 

differentiation seen in sections with a higher concentration of β-TCP may be explained by 

the dissolution of calcium ions, which have been shown to play a critical role on the 

osteogenic differentiation of MSCs. Specifically, extracellular calcium activates Class C G 

protein-coupled calcium-sensing receptors, increasing the expression of type L voltage-

gated calcium channels [510, 511]. This channel activation triggers a signaling cascade that 

leads to the upregulation of bone morphogenetic protein-2 (BMP-2) and thus enhanced 

osteogenic differentiation [512-514].  

No differences in ALP activity expression were observed between sections of uniform 

material, gradient porosity constructs (PoreG and TCP10PoreG). However, within the 

uniform material, gradient porosity constructs, sections with higher porosity displayed 

enhanced markers of late osteogenic differentiation compared to sections with lower 

porosity. These observations imply that porosity predominately influences late-stage 

osteogenic differentiation, which is characterized by the degree of mineralization, rather 

than early-stage osteogenic differentiation. 

The mineralization of all groups monotonically increased over the course of the study. 

On a per-section basis, the sections with 20 wt% β-TCP (TCPGPoreU, TCPGPoreG, and 

TCPGPoreGI) resulted in the highest amounts of mineralized matrix again corroborating the 

influence of β-TCP on the osteogenic differentiation. However, normalizing to the cell 

number present in each section, one can see that the combination of 20 wt% β-TCP and the 

highest porosity (TCPGPoreG) resulted in the greatest amount of mineralized matrix per 

cell. This specific observation again demonstrates the influence of porosity on late-stage 
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osteogenic differentiation. The mineralization observed in the present study is similar to 

that of previous in vitro studies that investigated PCL-based constructs for bone tissue 

engineering [515-518]. After 28 days in the present study, differences in the mineralized 

matrix were observed between sections of lower and higher porosity within uniform 

composition constructs. Specifically, regions with higher porosity demonstrated enhanced 

osteogenic differentiation and mineralization, which is corroborated by several studies in 

the literature, further supporting the hypothesis that porosity affects osteogenesis at later 

stages [519-522]. It has been hypothesized that the presence of larger pores facilitates the 

migration of cells and diffusion of bioactive molecules leading to a more mature osteogenic 

phenotype [523]. Matsko et al. postulated that cell morphology can also drive the 

differences seen in the cellular response due to scaffold porosity since the process of 

differentiation is known to be dependent upon cell morphology [524, 525]. Another 

plausible explanation for the differences in the osteoblastic phenotype between sections 

with smaller and larger pores could be due to diffusion limitations within the smaller pores 

as a result of the cell aggregates present at day 1 and 3. It has been postulated that cells are 

more likely to remain in a pluripotent state when nutrients are limited due to diffusion 

[526]. 

In gradient composition constructs (TCPGPoreU, TCPGPoreG, and TCPGPoreGI), 

porosity had a comparatively lower effect on markers of late-stage osteogenic 

differentiation than uniform composition constructs (PoreG and TCP10PoreG). This 

observation suggests that β-TCP concentration was the dominant factor in influencing the 

osteogenic differentiation of MSCs under the conditions in the preset study. One plausible 

explanation for a phenotypic gradient driven by a gradient in ceramic content as observed 

in this study is the selective adsorption of proteins and other soluble factors, whether added 

to the media or secreted by seeded cells, to scaffold sections of higher ceramic 

concentration. It has been widely demonstrated that protein adsorption to a scaffold surface 

is highly dependent on the physicochemical makeup of that surface [527]. As applied to 

bone tissue formation and mineralization, proteins often demonstrate a selective affinity to 

surfaces with calcium phosphate moieties [528]. A similar ceramic dose-dependent 

phenomenon was observed in the radial gradient study by Diaz-Gomez et al., where regions 

of higher HA composition led to increased calcium deposition despite significantly lower 
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porosity in the outer regions containing a high HA composition compared to inner regions 

with lower or no HA content [506]. 

We have previously demonstrated how 3D printing can be leveraged to fabricate a wide 

range of complex multiphasic constructs [493-495]. As such, the most notable result from 

this study is that by altering the porosity and ceramic composition within a construct, one 

can direct the osteoblastic phenotype of MSCs within distinct regions of the construct in 

order to create cell phenotype gradients. Furthermore, it was observed that the spatial 

orientation of the sections influenced the osteogenic differentiation of adjacent layers. In 

fact, sections that contained 0 wt% β-TCP within compositional gradient constructs 

(TCPGPoreU, TCPGPoreG, and TCPGPoreGI) had a higher level of mineralization compared 

to 0 wt% β-TCP sections within uniform composition constructs (TCP10PoreU and 

TCP10PoreG).  

We acknowledge that the present study had several limitations. While an inverse pore 

gradient group (TCPGPoreGI) was included in the study, the 20 wt% β-TCP section was 

always located on the bottom of the construct. As a result, it is difficult to determine if the 

enhanced osteogenic differentiation observed in the 20 wt% β-TCP sections was due to the 

ceramic concentration independent of orientation. As such, it would be interesting to 

investigate the effects of an inverse compositional gradient in order to further understand 

this observation. Additionally, the timepoints selected for the present study were ideal for 

measuring end-stage mineralization, as previously outlined in the objectives. Therefore, 

since ALP and Runx2 are transient markers of osteogenic differentiation it is possible that 

the time points selected did not capture global peak expression during the culture period, 

but rather a local maximum.  However, in the present study the cellularity of the constructs 

was not dependent on the surface area of an individual section. This is likely due to the cell 

aggregates that formed within the pore spaces during the seeding of the scaffolds. While 

the constructs had exhibited a high rate of proliferation between days 1 and 3, after day 3 

the cellularity did not change for the remainder of the study. It is well established that cell 

proliferation and differentiation are inversely related processes [529]. As an immature cell 

begins to differentiate into more a mature phenotype, especially in the presence of 

osteogenic cell culture supplements, there is a restriction in the cellular proliferative 

capacity. Ultimately the tissue architecture and function are dependent upon the 
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maintenance of cell-cycle arrest in a terminally differentiated cell [530]. Therefore, one 

plausible explanation for the observed plateau in cell proliferation, after 3 days, is that the 

cells began differentiating down an osteogenic lineage by day 3, which is supported by the 

increased expression observed in ALP. Finally, as described in the Materials and Methods 

section, similar construct sections of the same formulation were combined for biochemical 

analysis by RT-PCR to ensure a sufficient amount of RNA was collected. As the reported 

values Runx2, Ocn, and Opn presented here represent the means of replicates, no inferences 

of statistical significance can be drawn; however, the results align with prior observations 

in the literature as well as the more definite indications of osteogenic differentiation (ALP 

activity, and particularly calcium deposition) observed in this study. 

The results of this study demonstrated that both β-TCP and porosity can be leveraged 

to influence the osteogenic differentiation of MSCs that are seeded in a 3D system, leading 

to the development of heterogenous graded tissue with phenotypic gradients. Furthermore, 

this study underscores the importance additive manufacturing plays in further controlling 

and harnessing the interactions between cells and biomaterials for the generation of 

complex heterogenous tissues and interfaces.    
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Conclusion 
The present study demonstrates that the osteogenic differentiation of MSCs seeded on 

porous 3D polymeric constructs can be precisely controlled by modulating the local 

concentration of β-TCP and the construct porosity. Expression of osteogenic markers was 

stimulated by an increased concentration of β-TCP and a higher porosity for early and late 

stage osteogenesis, respectively. In particular, significantly higher ALP activity was 

observed in 20 wt% β-TCP sections compared to 0 wt% β-TCP sections within ceramic 

gradient constructs, and these constructs likewise demonstrated a characteristic temporal 

increase and subsequent decrease in ALP activity. Similarly, at both day 14 and day 28 

sections that contained 20 wt% β-TCP had significantly higher mineralization than other 

sections of the same construct, while in uniform ceramic constructs a 2-fold increase of 

total ceramic content resulted in over a 10-fold increase in mineralization at day 14. Finally, 

at day 28 significant differences in mineralization were observed between sections of 

highest and lowest porosity within pore gradient scaffolds. Also, the spatial arrangement 

of the layers, which was well-controlled by a 3D printing fabrication strategy, was shown 

to affect the osteogenic differentiation.  The observations from this study suggest that 

inclusion of β-TCP in HA/PCL constructs enhances markers of both early and late 

osteogenic differentiation, while construct porosity additionally affects markers of late 

osteogenic differentiation. Furthermore, differences in construct composition and 

architecture yielded heterogeneous population of cells within the same construct. These 

results highlight the potential utility of multiphasic ceramic/polymeric composite 

constructs for the generation of complex heterogeneous tissues and interfaces. 
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Supporting Information  

 

Figure S12. . Calcium deposition in the acellular β-TCP/HA/PCL constructs (Figure 35) that 
were incubated for 3 days (A), 14 days (B), and 28 days (C). Data are reported as the means ± 

standard deviation. Top, middle, and bottom refers to the location of the section within the 
construct during incubation. Within each timepoint, sections that do not share the same letter 

are significantly different. ^, *, and + indicate significant differences for the same experimental 
group between 3 and 14, 14 and 28, and 3 and 28 days, respectively (p < 0.05, n=4). 
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Figure S13. MSC morphology and distribution at 3 days on PoreU constructs (Figure 1). 
Constructs were cut longitudinally, and the layer at the bottom of the image was resting on the 

bottom of the well. Scale bar is 200 μm in all panels. 
 

 

Figure S14. Cellularity of the β-TCP/HA/PCL constructs (Figure 1) at 1 day (A), and 3 days 
(B) of culture. Data are reported as the means ± standard deviation. Top, middle, and bottom 

refers to the location of the section within the construct during cell culture. Within each 
timepoint, sections that do not share the same letter are significantly different. * indicates 

significant differences for the same experimental group between 1 and 3 days (p < 0.05, n=4) 
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Figure S15. Fluorescence microscopy images of TCPGPoreU at day 1 and 3. Samples were 
stained with phalloidin (green) to visualize the actin. Images were taken at different vertical 

positions within a scaffold (top, middle, or bottom). Yellow arrows denote observed cell 
aggregates. Scale bar is 200 μm. 
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Figure S16. Representative cross-sectional high magnification histological images of medium 
pore β-TCP/HA/PCL constructs after 28 days of cell seeding. Sections were stained with von 
Kossa which stains mineral deposits, as well as β-TCP and HA, black. Asterisk denote a pore 

space. Yellow arrows denote mineralized regions. Scale bar in the lower right represents 100 μm. 
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Chapter 10 

Conclusions 

The field of tissue engineering has applied fundamental knowledge from chemical 

engineering, mechanical engineering, materials science, and cell biology to unlock, 

facilitate, and guide the innate regenerative capacity present within cells and tissues. This 

has resulted in a vast number of biomaterial-based strategies that are designed to improve 

and even stimulate the growth of tissues. The goal of this work was to develop tissue 

engineering strategies that leverage synthetic polymers and osteoconductive ceramics to 

promote the healing of complex tissue defects.   

By leveraging a simple metabolically active molecule, glucose, a novel porogen 

was able to be developed that can be readily incorporated within CPCs. In Specific Aim 1, 

we loaded two different size fractions of GMPs at four different weight percentages within 

CPCs to evaluate the effects of GMPs on the physicochemical and handling properties of 

the resulting GMP/CPC composite scaffolds. It was demonstrated that GMPs could be 

incorporated within CPCs without affecting their clinically relevant handling properties 

(i.e., all initial setting times were below 15 mins). Furthermore, the GMPs were dissolved 

within 3 days of placing the GMP/CPC composites in PBS. Thereby creating a 

macroporous scaffold with pore size distribution theoretically adequate to support bone 

tissue ingrowth.  This work demonstrated that GMPs are a promising porogen for the 

production of highly tunable porous CPC scaffolds. After which, GMP/CPC composite 

scaffolds were implanted into a rat femoral condyle defect, in Study 2 of Specific Aim 1, 

to evaluate the effect of GMPs on bone regeneration in vivo. It was observed that 

formulations that contained GMPs had accelerated material degradation and bone 
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formation at 2 weeks compared to the CPC controls. Groups that had smaller GMPs had a 

significantly higher amount of new bone formation compared to CPC controls. On the 

contrary, there was no difference in bone formation at 2 weeks between groups that 

contained PLGA MPs and CPC controls. These results demonstrate the utility of leveraging 

a simple metabolic molecule for the generation of porous CPCs to improve bone formation.  

    Extending upon the knowledge gained in Specific Aim 1, CPCs loaded with 

different concentrations of PLGA MPs and GMPs were evaluated to determine the effect 

of GMPs on the in vitro degradation of PLGA MPs in Specific Aim 2. It was hypothesized 

that GMPs would create early macroporosity within the CPC, thereby enhancing the 

diffusion of PLGA degradation products and thus impede the degradation of PLGA- 

preventing the local acidification that occurs due to the degradation of PLGA. It was 

observed that the incorporation of GMPs within PLGA/CPC composites was found to 

significantly reduce the acidification as a result of PLGA degradation. Also, by modifying 

the GMP and PLGA concentration, one could have precise control over the composites 

setting time, porosity, and degradation kinetics. The results of this Aim demonstrate that 

the dual inclusion of GMPs and PLGA MPs is a simple approach for the generation of 

macroporosity at two different rates. Furthermore, the addition of GMPs helped mitigate 

the local acidification due to PLGA MP degradation.  

    Specific Aims 1 and 2 of this thesis investigated constructs that were primarily 

composed of osteoconductive ceramics. However, in Specific Aim 3, we sought to examine 

scaffolds that were fabricated mainly from synthetic polymers with osteoconductive 

ceramics dispersed throughout. Specifically, we sought to develop and fabricate 3DP 

scaffolds primary constructed from PCL that incorporated osteoconductive ceramic 

particles for bone tissue engineering applications. It was of interest to understand the effect 

of structural and material gradients on the osteogenic differentiation of seeded MSCs. By 

altering the printing conditions, heterogenous scaffolds that had a varying concentration of 

β-TCP and porosity were reproducibly fabricated. The osteogenic differentiation of MSCs 

was able to be precisely controlled by altering the concentration of β-TCP or scaffold 

porosity. Specifically, β-TCP had a direct effect on the up-regulation of osteogenic specific 

makers. A 2-fold increase in β-TCP concentration led to over a 10-fold increase in 

mineralized matrix production. Finally, the results demonstrated that the spatial 
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arrangement of the layers further influenced the osteogenic phenotype of seeded MSCs. 

The results of this study also highlight and demonstrate the utility of 3DP scaffolds for the 

generation of complex heterogeneous tissues. 

While the ability to grow organs and even organ systems remains a tremendous 

challenge for tissue engineers, the field has developed biomaterial-based strategies to heal 

complex tissue defects that ultimately improves the lives of our patients. Overall, this work 

supports the notion that approved FDA products can be combined in novel ways to heal 

complex defects and generate heterogeneous tissues. The knowledge generated during this 

thesis brings the dream of growing whole organs and complex tissues one step closer to 

reality.    
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