


 

 

ABSTRACT 

Polymer/Extracellular Matrix Composite Scaffolds for Articular 

Cartilage Regeneration 

by 

Erica J. Levorson 

Cartilage is highly dependent on its extracellular matrix (ECM) for many of its 

vital characteristics such as a low friction surface, high compressive strength, and force 

distribution. Unfortunately, articular cartilage is avascular in nature and exhibits limited 

capacity for self-healing. This thesis focused on fabricating polymer/ECM hybrid 

scaffolds containing bioactive signals able to direct chondrogenic differentiation for 

cartilage regeneration. To generate cartilaginous ECM within an electrospun fibrous 

poly(ε-caprolactone) (PCL) scaffold, co-cultures of chondrocytes, the primary cell type 

of cartilage, and mesenchymal stem cells (MSCs), a precursor of the chondrogenic 

lineage, were optimized for matrix production. Ultimately, co-cultures were used in an 

effort to improve ECM production within these scaffolds by utilizing cell-cell 

communication in order to reduce the number of chondrocytes needed due to their limited 

availability within the tissue and increased dedifferentiation upon expansion. It was found 

that glycosaminoglycan and collagen production in co-cultures with as few as 50% 

chondrocytes approximated ECM contents generated by cultures comprised entirely of 

chondrocytes. Additionally, the capability of these co-culture generated polymer/ECM 

hybrid scaffolds for directing the chondrogenesis of MSCs was examined. It was 

determined that MSCs grown on devitalized PCL/ECM scaffolds generated for 14 days 



 iii    

by co-cultures of chondrocytes and MSCs in equal proportions led to similar 

chondrogenic gene expression patterns as on PCL/ECM scaffolds produced by 

chondrocytes alone with an increase in chondrogenic expression patterns compared to 

PCL controls. By investigating both direct and indirect co-culture methods, it was 

determined that cell secreted factors were sufficient for generating PCL/ECM hybrid 

constructs using chondrocytes and MSCs reducing the necessity of direct cell contacts 

between these cell types in both static and flow perfusion bioreactor cultures. Finally, 

nanoscale features were imparted within a microscale fibrous PCL scaffold utilizing dual 

extrusion electrospinning in order to examine the cellular benefits of scaffold 

architectures and compositions resembling native ECM. These studies led to a greater 

understanding of the interplay between chondrocytes and MSCs for the production of 

cartilaginous ECM and furthermore the influence of scaffold composition and 

architecture on the chondrogenic differentiation of MSCs. 
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Chapter 1 

Introduction and Objectives 

Aging has been linked to a decreased capacity for self-maintenance and repair in 

cartilage and therefore an increased risk of progressive degeneration [1]. As the 

American population is currently maturing as a whole, there is a growing need for 

effective treatments of damaged articular cartilage. This is further complicated by the fact 

that articular cartilage is primarily avascular in nature and generally possesses limited 

capacity for healing. For this reason, most current surgical treatment methods rely on 

supplying cells to the damaged tissue for healing purposes by either utilizing host 

progenitor cells from the bone marrow or by autologous chondrocyte implantation (ACI). 

However, these treatments commonly result in the formation of a mechanically inferior 

tissue known as fibrocartilage [2]. Furthermore, one of the primary drawbacks to ACI is 

sourcing autologous chondrocytes in sufficient numbers while avoiding donor site 

morbidity. For this reason, tissue engineering is being investigated to create implantable 

constructs which may aid in regenerating functional hyaline cartilage.  
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This thesis focused on developing a polymeric mesh incorporating characteristics 

of native cartilaginous extracellular matrix (ECM) to encourage the chondrogenic 

differentiation of mesenchymal stem cells (MSCs). The motivation for this approach was 

that scaffolds composed of or containing the prevailing ECM components of cartilage 

have exhibited the potential to guide MSC chondrogenesis [3-6].  

To begin, this thesis reviews two approaches to generating tissue engineered 

constructs, flow perfusion culture and fabrication of multiscale fibrous scaffolds, and 

their potential for stimulating matrix production in vitro (Chapters 2 and 3) [7, 8]. For the 

development of polymer/ECM composite scaffolds for articular cartilage regeneration, 

Chapters 4-6 describe an approach in which co-cultures of chondrocytes and MSCs were 

investigated for their potential in forming cartilage-like ECM in vitro in static as well as 

perfused conditions [9-11]. Continuing with the hypothesis that scaffolds mimicking the 

composition and/or architecture of cartilaginous ECM may be useful for directing MSC 

chondrogenesis, Chapter 7 describes the fabrication and characterization of multiscale 

fibrous scaffolds of varying compositions. 

In developing polymer/ECM composite scaffolds for cartilage regeneration, the 

following specific aims were investigated: 

1.1. Specific Aim 1 

To determine the effect of co-culture seeding ratio and density on ECM 

deposition. Co-cultures of chondrocytes and MSCs were seeded on PCL scaffolds in 

three different ratios. Scaffolds seeded solely with chondrocytes or MSCs were used as 
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controls. Additionally, two different seeding densities were investigated [10]. This study 

examined whether PCL/ECM production by co-cultures was capable of approximating 

scaffolds generated by chondrocytes alone and in doing so functioned to optimize the co-

culture ratio and seeding density for ECM generation. 

1.2. Specific Aim 2 

To examine the chondrogenic potential of chondrocyte and MSC co-culture 

generated PCL/ECM hybrid scaffolds. Using the optimal seeding density established 

earlier, the cell type ratios examined in Specific Aim 1 were used to generate PCL/ECM 

constructs which were then devitalized via freeze-thaw. MSCs were then cultured on the 

devitalized PCL/ECM hybrid scaffolds and gene expression was used to determine the 

chondroinductive nature of the co-culture generated ECM [9]. 

1.3. Specific Aim 3 

To investigate the influence of direct cell contact and cell secreted factors on 

ECM deposition in co-cultures of chondrocytes and MSCs. Specific Aims 1 and 2, 

supported that co-cultures of chondrocytes and MSCs in equal proportions were capable 

of generating PCL/ECM constructs similar to cultures of chondrocytes alone. To further 

investigate the cell communication occurring resulting in the deposition of cartilage-like 

ECM, MSCs and chondrocytes were either cultured together in mixed co-cultures on the 

same PCL scaffold or on separate PCL scaffolds which were cultured together within the 

same culture well or perfusion bioreactor [11]. 
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1.4. Specific Aim 4 

To fabricate and characterize multiscale fibrous scaffolds for cartilage 

regeneration. The previous specific aims focused on examining cell generated ECM 

within a polymeric scaffold. Specific Aim 4 functioned to study the influence of scaffold 

architectures and compositions similar to ECM on the production of cartilage-like matrix. 

Scaffolds composed of PCL microfibers, PCL micro and nanofibers, as well as PCL 

microfibers and fibrin nanofibers were fabricated by continuous methods using dual 

extrusion electrospinning. MSCs were cultured on these different scaffold types in serum-

free conditions to determine chondroprogenitor behavior on the scaffolds. 
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Chapter 2 

Scaffolds – Flow Perfusion Bioreactor 

Design
1
 

Abstract: Limited mass transfer within scaffolds is an extremely common issue in tissue 

engineering. Oftentimes, cells cultured statically on scaffolds develop a shell of viable 

cells and extracellular matrix with the interior portion of the construct relatively devoid 

of cells. Flow perfusion bioreactors have been designed to overcome the challenge of 

mass transfer within scaffolds. 

In general, all of the design challenges for flow perfusion bioreactors arise from 

the central goal of providing proper culture conditions for a three-dimensional scaffold. 

These culture conditions include complete perfusion of the scaffold, media flow pathway, 

                                                 

 

1
 This chapter was published as: Levorson EJ, Kasper FK, Mikos AG. Scaffolds – Flow 

Perfusion Bioreactor Design. In: Ducheyne P, Healy KE, Hutmacher DW, 

Kirkpatrick CJ, eds. Comprehensive Biomaterials. Vol. 5. Oxford: Elsevier, pp. 1-

11, 2011. 
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environmental control, and maintenance of sterility. Current flow perfusion bioreactors 

are used for two primary purposes: dynamic cell seeding of scaffolds and long-term 

tissue culture.  

Scaling up flow perfusion bioreactors to achieve clinically relevant amounts of 

tissue will be a major challenge. Standardization will be necessary for flow perfusion 

bioreactors to make a successful transition from the research level to an industrial scale. 

Also, the efficiency of current systems with regards to space constraints, throughput, and 

media volumes must be improved. Likewise, in the future it will be necessary to report 

media flow as the internal shear stresses that occur within scaffolds.  

2.1. Introduction 

Tissue engineering has the opportunity to revolutionize the medical field and the 

treatment of patients. One methodology used often in tissue engineering is to combine 

cells, scaffolds, and signals to regenerate functional tissues (Figure 2.1). In this general 

model, scaffolds serve as the architecture to support and direct cell growth in the 

presence of the appropriate signals. While it is important to provide a three-dimensional 

structure to the cells for tissue development, the use of a scaffold introduces some 

obstacles that must be overcome to achieve a successfully engineered tissue. Some of the 

design challenges when using a scaffold include biocompatibility, mechanical stability, 

biodegradation, and mass transport. Likewise, it is a common design challenge to 

introduce and sustain uniform cell distribution throughout the construct for isotropic 

tissues [12].  
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Figure 2.1. Tissue engineering paradigm. 

Cells, scaffolds, and signals are combined to regenerate functional tissues. 

 

2.2. Mass transport within scaffolds 

The necessity of mass transfer within most tissues is evident from the fact that, in 

general, in native tissues cells are not found further than 100 µm from blood capillaries 

[13]. Likewise, in tissue culture the maximum cell layer thickness for which oxygen may 

be supplied by diffusion alone is 100-200 µm [14]. Simple diffusion through three 

dimensional tissue engineered scaffolds often does not provide sufficient amounts of 

oxygen and soluble nutrients needed for tissue regeneration in vitro [12, 15]. Specifically, 

the boundary layer between the medium and construct is resistant to mass transfer [16]. 

Specialized bioreactors have been designed to overcome the mass transfer resistance 

through the boundary layer, including: spinner flasks and rotating wall vessel bioreactors. 

In a study by Sikavitsas et al. [17], differentiating osteoblasts cultured on scaffolds in 

spinner flasks and rotating wall vessel bioreactors exhibited high concentrations of cells 
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and mineralization in the form of calcium around the exterior portion of the construct as 

compared to statically cultured constructs. However, even once the boundary layer is 

overcome, mass transfer restrictions increase as you move further into the construct [16].  

Due to mass transfer limitations within scaffolds, many attempts to culture tissues 

in vitro statically lead to constructs with viable cells and deposited extracellular matrix 

(ECM) on the exterior portion of the scaffold leaving the interior devoid of cells and 

ECM [18]. For example, poly(glycolic acid) scaffolds seeded with chondrocytes exhibit 

glycosaminoglycans (GAGs) on the outer surface of the scaffold with the interior 

relatively devoid of GAGs [19, 20]. Likewise, osteoblasts cultured on biodegradable 

polymer scaffolds are only able to penetrate and develop mineralized tissue to a depth of 

approximately 200 µm [21, 22].  

Beyond cell penetration depths, necrosis occurs if adequate amounts of oxygen 

are not delivered to the cells throughout the entire scaffold [23]. For example, it has been 

shown that large cell spheroids will develop into a shell of thriving cells approximately 

200 µm thick around a necrotic core due to limited oxygen availability at the center of the 

spheroid [24].  

As a result of deficiencies in oxygen transport, engineered tissues develop with 

inhomogeneous cellular distributions. The inability for cells to distribute uniformly 

throughout a tissue engineered construct is extremely detrimental to the intended function 

of developing isotropic tissues. The matter of improving mass transport and maintaining 

a uniform cell distribution may be ameliorated by controlling the culture conditions 

through the use of bioreactors. 
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Figure 2.2. Diagram of different flow perfusion bioreactor designs. 

Bioreactor bag with syringe pump at the inlet and direct waste disposal at the outlet (A), 

bioreactor with perfused culture chamber and a closed media flow loop (B), hollow fiber 

bioreactor (C), direct perfusion bioreactor complete with two media reservoirs (D). 

 

2.3. Perfusion bioreactors 

In many cases, the term perfusion bioreactor refers to a system in which the 

culture medium is simply circulated into and out of the culture vessel. The simplest 
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design incorporates a gas permeable bioreactor bag in which medium is pumped in with a 

syringe pump and flows out via hydrostatic pressure into a waste container (Figure 2.2a) 

[25]. While this particular bioreactor design offers the benefit of automatically 

replenishing medium, it does not recycle any of the used media depriving the culture 

system of the growth factors, cytokines, matrix proteins, and other signals beneficial to 

tissue generation that are secreted by the cells during tissue development [26-28].  

Slightly more sophisticated perfusion systems are composed of a culture chamber 

connected to a medium reservoir in a closed loop. In this case, scaffolds are suspended in 

a culture chamber into which medium is pumped (Figure 2.2b) [29, 30]. These systems 

allow for the circulation of medium throughout the culture chamber and constant aeration 

of medium. However, simple perfusion bioreactors do not actively perfuse the interior of 

the scaffolds with medium. Medium flow that bypasses the interior of the scaffold will 

not greatly improve the transfer of nutrients and oxygen at the interior of thicker 

constructs. As was discussed previously, sufficient mass transfer levels throughout a 

scaffold in its entirety are vital to the success of engineered tissues. 

Hollow fiber bioreactors are another type of perfusion bioreactor that have been 

developed for the culture of various cell types. These systems immobilize cells within a 

culture chamber with hollow capillary-like tubes through which medium is perfused 

(Figure 2.2c) [31, 32]. The hollow fibers have pores that are impermeable to cells. 

However, nutrients and oxygen are able to diffuse freely through the fibers. The 

capillary-like function of the fibers in hollow fiber bioreactors allow cells to be co-

cultured without coming into physical contact with each other. The absence of physical 

contact between different cell populations allows for the co-culturing benefits that come 
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from chemical signaling between different cell types while still maintaining separate cell 

populations that may be easily harvested [32]. Hollow fiber bioreactors do not have a 

traditional scaffold. Instead, in addition to being simply immobilized within the system 

oftentimes cells will adhere to the fibers of the bioreactor. In order to harvest cells from 

the bioreactor, traditional cell removal techniques are used such as trypsinization and 

mechanical agitation [32]. Also, cells cultured in hollow fiber bioreactors are subject to 

flow induced shear stresses which have been shown to support cellular differentiation in 

certain cell types [32-36]. 

Perfusion is a natural process taking place in all tissues and is required for the 

survival of cells. Bodily fluids permeate the interior of tissues supplying oxygen and 

nutrients while removing wastes [37]. For this reason, it is important that bioreactor 

designs account for perfusion through the interior of scaffolds. Flow perfusion 

bioreactors pump media through the pores and internal network of scaffolds allowing for 

the delivery of nutrients and waste removal through the entire construct (Figure 2.2d) 

[38].  
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Figure 2.3 The mean infiltration distance achieved by MSCs. 

Infiltration of MSCs cultured under static and flow conditions. The mesenchymal stem 

cells were cultured on scaffolds in which the top nanofiber layer was spun for 0, 30, 90, 

and 300 s. * indicates statistical significance between static and flow culture; # indicates 

statistical significance for that culture condition. Reproduced with permission from 

Pham, Q. P.; Sharma, U.; Mikos, A. G. Biomacromolecules 2006, 7, 2796–2805. 

 

Direct perfusion of constructs will enable cells to thrive and evenly distribute 

throughout the interior of scaffolds, increasing the viability of engineered tissues. Pham 

et al. [39] showed that bilayered electrospun scaffolds composed of micro and nanofiber 

layers cultured in a flow perfusion bioreactor display greater cellular infiltration than 

statically cultured constructs by a factor of 5 (Figure 2.3). Likewise, as seen in Figure 2.4, 

complete cellular infiltration was only seen in scaffolds cultured in the flow perfusion 

bioreactor. Flow perfusion has an extremely positive effect on cellular distribution. 

Culturing in a flow perfusion bioreactor enables cells to infiltrate nanofiber scaffolds 

which under static conditions may hinder cellular migration due to decreased pore sizes 

[39].  
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Figure 2.4 Hematoxylin and eosin stained histological sections.  

(a–d) were cultured under static conditions. (e–h) were cultured under flow perfusion 

conditions. The scaffolds consisted of a bottom microfiber layer 5-mm thick, with a top 

nanofiber 600-nm thick spun for 0, 30, 90, and 300 s. Reproduced with permission from 

Pham, Q. P.; Sharma, U.; Mikos, A. G. Biomacromolecules 2006, 7, 2796–2805. 

 

Medium flow throughout the construct is also incredibly beneficial, stimulating 

the cells with shear stresses. The application of shear stress on cells in vivo induces 

mechanotransduction signaling which has been shown to be beneficial in the culturing of 

many tissues including: bone, cartilage, and cardiac tissue [33-35].  

It is thought that shear stress is a beneficial stimulus for tissue development 

because as native tissues are loaded, interstitial fluid flows throughout the intercellular 

spaces in the tissue stimulating mechanotransduction pathways [34, 40]. In bone, fluid 
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flow is responsible for inducing new bone formation and increasing the metabolic activity 

of osteoblasts [41-43]. Likewise, compressing cartilage subjects chondrocytes to shear 

stresses among other mechanical stimuli [44]. Compression has been shown to induce 

tissue remodeling and increase production of ECM elements in cartilage [45]. Using flow 

perfusion bioreactors mimics interstitial fluid flow conditions at a more intense scale, 

thus harnessing the benefits of flow induced shear stress to improve tissue development 

[46]. 

2.4. Design parameters of flow perfusion bioreactors 

There are a variety of parameters and design challenges to consider when 

designing a flow perfusion system. In general, all of the design challenges arise from the 

central goal of providing proper culture conditions for a three-dimensional scaffold. 

These culture conditions include complete perfusion of the scaffold, media flow pathway, 

environmental control, and maintenance of sterility. 

2.4.1. Direct perfusion of scaffolds 

In order to achieve media flow directly through the scaffold, it may be necessary 

to restrict the media to unidirectional flow. If media flow is not restricted, the fluid will 

take the path of least resistance and one cannot guarantee perfusion of the entire scaffold 

(Figure 2.5). In the absence of true perfusion of the entire scaffold, uniform mechanical 

stimulation of the cells within the scaffold will not be realized [28].  
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Figure 2.5 Perfusion flow path diagram. 

To ensure that media directly perfuses the scaffold, media flow around the scaffold 

perimeter must be prevented. Adapted and reproduced with permission from Bancroft, G. 

N.; Sikavitsas, V. I.; Mikos, A. G. Tissue Eng. 2003, 9, 549–554. 

 

The bioreactor design must cause the media to flow in one end of the scaffold and 

out the other end. To assure unidirectional flow, a bioreactor system must form a tight 

seal between the perimeter of the scaffold and the wall of the bioreactor [28, 38]. A tight 

scaffold mount in the bioreactor is achieved in two primary ways: press-fitting scaffolds 

into bioreactor cassettes (Figure 2.2d) [47-49] or applying low levels of compression to 

the scaffold by placing gaskets on either side of the scaffold [50-52].  

2.4.2. Media flow pathway 

It is vital to provide a method for automatically forcing the medium through the 

scaffold and the rest of the system. Many bioreactor designs utilize a peristaltic pump to 

control media flow [35, 50, 51, 53, 54]. One concern with using a peristaltic pump is 

degradation of the relatively low durability gas-permeable tubing [38]. For a bioreactor 

system design to be successful long term and prevent the tubing from degrading and 

mixing with the culture medium, more durable tubing should be used in media circuit that 
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is in direct contact with the peristaltic pump. Wendt et al. [47] avoids the issues involved 

with using a peristaltic pump completely by using a vacuum pump as an alternative. 

Vacuum pumps have the additional attribute of making medium flow easily reversible.  

It is necessary to regulate the flow rate of media through the system so as to 

modulate the shear stress imposed on the constructs. The bioreactor design utilized by 

Carrier et al. [51] places four scaffold cartridges in series within the same media 

circulation loop. With a serological cartridge arrangement, there it is difficult to ensure 

that the same flow conditions are achieved throughout all four scaffolds in the series. 

When cultivating larger tissues, a serological arrangement may eventually lead to 

variation in the tissues that develop due to the different levels of shear stresses throughout 

the flow pathway. For this reason, in addition to the electrical controls for the pump, flow 

rate may be monitored using a flow meter in the media flow pathway.  

It is also vital to tailor the flow rate of the bioreactor system to the specific tissue 

being cultured and the desired cellular response. Tailored flow rates are necessary 

because different native tissues possess varying levels of mechanical stimulation useful 

for promoting ECM production [42, 50, 55-57]. In order to garner reproducible beneficial 

effects within constructs cultured in a bioreactor, fluid flow rate from the pump must be 

translated into shear stresses experienced by cells within the scaffold. Given that scaffold 

architectures are oftentimes random and complex, it is difficult to accurately estimate 

shear stresses within constructs [58, 59]. Due to the difficulty involved in estimating 

internal shear stresses, currently most bioreactor systems utilize trial and error to 

elucidate intended beneficial results within tissue engineered constructs. 
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Removing undissolved air from the bioreactor is imperative as trapped gas 

bubbles within the system disrupt the even distribution of media flow through the 

scaffolds [38, 60]. In order to keep gas bubbles off of the scaffolds and maintain an even 

fluid flow distribution, Bancroft et al. [38] describe a system in which flow is directed in 

a top-down fashion. In this design, any gas bubbles in the system will rise in the tubing 

leaving the scaffold surfaces free of gas bubbles.  

The bioreactor used by Grayson et al. [60] addresses the issue of trapped gas in a 

more direct manner. In this design, a syringe in a three-way connector is included in the 

media flow pathway just upstream of the inlet. Gas bubbles may be removed from the 

system using the syringe and when not in use the syringe is blocked off from fluid flow.  

2.4.3. Maintenance of sterility 

Given that bioreactors are used to culture cells and developing tissues, it is 

necessary to ensure that the system begins and remains sterile throughout the entire 

culture period. In order to guarantee that the system begins sterile, it is important that the 

individual pieces of the bioreactor be able to withstand sterilization procedures, such as 

ethylene oxide and autoclave treatments. Materials that are commonly used for bioreactor 

assembly include: polycarbonate, poly(methyl methacrylate), poly(tetrafluoroethylene), 

silicone, glass, and stainless steel [38, 50, 53, 61]. 

A sterile culture environment with minimal exposure to the surroundings may be 

maintained by designing a system that can fit within an incubator [62]. Using an 

incubator confers size constraints on the system and the resulting scaffold throughput. In 

an effort to garner extra space within the incubator, it is possible to design a system so 

that the pumps may be placed outside of the incubator [53]. Designing for external pumps 
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increases the amount of space available within the incubator and reduces any risk of 

contamination that may arise from the pump residing within the incubator during 

culturing.  

Contamination risks may be mitigated by limiting the number of scaffolds that are 

cultured within each medium flow circuit. Wang et al. [63] use a system in which each 

scaffold is cultured individually in a single closed circuit with separate medium 

reservoirs. While using separate media reservoirs does greatly reduce the spread of 

contamination between scaffolds, it is also rather inefficient with regards to space 

constraints and medium volume requirements. Consequently, a successful bioreactor 

design must acquire a balance between efficiency and limiting the number of scaffolds in 

each culture loop.  

It is also important to provide for quick and simple medium changes in order to 

reduce the risk of contamination within the system. One way to accomplish fast medium 

changes is to provide a method for exchanging medium without removing the entire 

bioreactor from the incubator. Du et al. [64] connect silicone tubing from one of the 

medium reservoirs inside the incubator to fresh medium reserves in a culture hood 

outside of the incubator.  

The proper choice of medium reservoir also plays a key part in ensuring fast 

medium changes. Reservoirs most amenable to quick medium changes possess easily 

removable caps such as side-armed flasks [38] and Schott bottles [61]. 

2.4.4. Environmental control 

One of the primary purposes of any bioreactor is to provide the means for 

controlling the tissue culture environment. Maintaining the proper environment is 
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fundamental to culturing viable tissues. The parameters that must be monitored and 

sustained include pH, oxygen tension, temperature, nutrient availability, and waste 

removal. It is relatively simple to regulate the temperature for a bioreactor by simply 

designing a system that is compact enough to operate from within an incubator. 

2.4.4.1. Nutrient supply and waste removal 

Like any method of culturing tissues long term, it is necessary to provide a 

method for delivering fresh nutrient supplies and removing waste from the culture 

system. Nutrient delivery and waste removal is accomplished by simply changing the 

medium at a defined culture period. Since flow perfusion bioreactors are closed systems 

through which medium is constantly pumping, medium changes are slightly more 

complicated. Also, when designing any tissue culturing system it is important to note that 

frequent medium changes increase the risk of contamination [28, 38]. Therefore, it is 

necessary to design a bioreactor for which the medium can be exchanged quickly and 

without difficulty.  

Most flow perfusion bioreactors accomplish quick and simple medium changes by 

including a medium reservoir in the medium flow loop. To exchange medium, the 

researcher simply has to empty all of the medium into the reservoir, interrupt medium 

flow, remove the spent medium from the reservoir and replace with fresh medium [49, 

51]. The primary issue with medium exchange in a bioreactor with only one reservoir is 

that medium flow must be interrupted which enables air to enter the system. As discussed 

previously, air bubbles trapped in the bioreactor system obstruct the even distribution of 

medium flow through constructs [38, 60].  
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In order to perform a complete medium change without interrupting the flow of 

medium through the construct, two medium reservoirs may be utilized as in the design 

outlined by Bancroft et al. [38] (Figure 2.2d). In a two reservoir system, there are two 

medium reservoirs connected by a small length of tubing. While the bioreactor is 

functioning normally, medium is able to freely transfer from one reservoir to the next 

simply by the force of gravity. Medium changes are accomplished by simply clamping 

off the tube connecting the two reservoirs. Then after filling the first reservoir with new 

medium, the fresh medium flushes the used medium out of the system and into the 

second reservoir. Once all of the used medium has been pumped out of the system, the 

second reservoir is emptied and the clamp is removed allowing the system to function 

normally [38]. Since the flow of medium was never completely interrupted, a bioreactor 

which utilizes two medium reservoirs reduces the amount of air that gets into the system, 

thus reducing the amount of trapped gas in the system that would disrupt fluid flow 

through the constructs.  

More sophisticated systems monitor the medium throughout the culture period in 

order to analyze biological components within the medium. In the bioreactor described 

by Zhao et al. [53], sampling ports are placed within the medium flow pathway on either 

side of the culture chamber. The inclusion and arrangement of medium sampling ports 

enables glucose and lactate measurements to be taken to determine the metabolic activity 

of the tissue.  

Another improvement on common flow perfusion bioreactor designs would be the 

incorporation of an automatic method for pH monitoring. pH monitoring would allow the 

researcher to gauge metabolic activity of the tissue and determine optimal medium 
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exchange periods. Automatic medium pH measurements may be accomplished by 

including a pH meter within the medium flow circuit [65, 66] or an innovative non-

contact optical measurement device [67]. An optical measurement device may be used to 

measure the pH in a culture environment through the change in the optical properties of 

the medium due to the pH indicator phenol red [67]. Optical pH meters allow for pH 

monitoring without ever coming in contact with the culture medium, thus reducing the 

risk of contamination. 

2.4.4.2. Gas exchange 

Due the fact that flow perfusion bioreactors are designed as closed systems with 

one of the primary objectives being to increase oxygen transport within constructs, it is 

necessary to provide a method for gas exchange in the bioreactor design. Many flow 

perfusion bioreactor designs allow for gas exchange through the use of gas permeable 

silicone in the form of tubing, membranes, and medium reservoir bags [51, 52, 54, 68]. 

When using gas permeable materials for gas exchange, the oxygen tension within the 

medium will equilibrate with the gas concentration within the incubator in which the 

bioreactor is housed. Another method of exchanging gas in the medium utilizes mixing 

and the fluid flow through the headspace in the medium reservoir to incorporate oxygen 

in the medium [61]. In contrast, gas may be pumped directly into the system. Zhao and 

Ma [53] accomplish direct gas exchange by pumping air into the medium reservoir 

through a sterile filter. 

Monitoring oxygen tension within the bioreactor may be useful for not only 

ensuring that oxygen levels are satisfactory, but also for designing a bioreactor that 

enables tissue engineered products to be produced under good manufacturing practices 
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(GMP). Some bioreactors include oxygen sensors within the medium flow loop [61, 66]. 

In the bioreactor design outlined by Janssen et al. [49], oxygen sensors are placed in the 

medium pathway at both the inlet and outlet. Oxygen sensors arranged on either side of 

the culture chamber allow for the dynamic supervision of dissolved oxygen. They also 

provide information about oxygen consumption within the constructs enabling inferences 

to be made about cell proliferation. Zhao et al. [69] accomplish oxygen tension 

monitoring by taking a sample of medium through specialized ports. The dissolved 

oxygen in the medium is then measured using a blood gas analyzer. While testing media 

samples with a blood gas analyzer is quite effective, it is more labor intensive than an 

oxygen sensor that operates automatically in real-time.  

2.5. Current flow perfusion bioreactor designs and functions 

Flow perfusion bioreactors are utilized for two primary functions, dynamic cell 

seeding and long term tissue culture. 

2.5.1. Dynamic cell seeding 

Seeding techniques are responsible for initially establishing cell numbers and 

distributions within scaffolds. In turn, cell numbers and distributions affect cellular 

processes such as proliferation and differentiation which have a profound influence on 

the developing engineered tissue due to functions such as cell to cell interactions [70, 71]. 

Similarly, in tissue engineering it is extremely important to seed cells with the highest 

possible seeding efficiency due to the limited cell numbers available owing to restrictions 

in biopsy expansion.  
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The most prevalent seeding technique employed in tissue engineering is static 

seeding. Static seeding oftentimes leads to low seeding efficiencies (ratio of initial cell 

content in a scaffold to the total number of cells seeded) and nonuniform cell 

distributions [72-74]. In an effort to improve seeding efficiency and obtain more uniform 

cell distributions, dynamic seeding techniques may be used. More specifically, cell 

seeding within flow perfusion bioreactors allows for more efficient seeding numbers and 

homogeneous cell distributions [71]. 

Dynamic seeding of chondrocytes using perfusion for three days increases cell 

content by 80% over statically seeded constructs [75]. Also, the flow rate utilized has a 

significant influence on the cell content that results from dynamic seeding [75]. 

Therefore, it is imperative that the flow rate used for dynamic seeding be optimized to 

different scaffold types and architectures in order to achieve the most advantageous 

results.  

It is also possible to seed cells on scaffolds dynamically using oscillatory medium 

flow. Oscillatory flow is accomplished by simply reversing medium flow at a defined 

frequency. Like seeding with simple direct perfusion, seeding using oscillatory flow leads 

to significant increases in seeding efficiency over traditional static seeding techniques 

[47, 71]. Likewise, dynamic seeding is successful in distributing cells throughout the 

entire scaffold while cells remain localized at the top of statically seeded scaffolds [47, 

71]. 

The bioreactor design used by Zhao et al. [53] improves upon other bioreactors 

used for dynamic seeding in that it contains a dedicated inoculation loop in addition to 

the medium circulating loop. The inoculation loop allows for direct injection of a cell 
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suspension into the perfusing medium while bypassing the medium reservoirs. As a 

result, bypassing the medium reservoirs reduces the dilution of the cell suspension 

resulting in a more efficient application of cells to the scaffolds. 

2.5.2. Tissue culture 

Flow perfusion bioreactors are used to culture a variety of different tissue types 

long term. The tissues that are being developed under perfused medium flow are tissues 

that not only benefit from increased mass transport but also the mechanical stimulation 

that results from fluid flow through the constructs namely: cartilage, bone, and cardiac 

tissue. 

2.5.2.1. Cartilage 

Mechanical stimulation, such as fluid-induced shear stress, is extremely beneficial 

in cartilage development due to the ability to stimulate GAG and collagen synthesis in 

chondrocytes [76]. Flow perfusion bioreactors that perfuse media through the interstitial 

spaces of scaffolds causing internal shear stresses achieve larger amounts of ECM 

production and more homogeneous cell and ECM distributions than tissues cultured 

statically or otherwise. In the study described by Pazzano et al. [54], flow perfusion of 

chondrocytes over four weeks led to dramatic increases in cell number, sulfated GAGs, 

and total collagen content when compared to statically cultured chondrocytes. Likewise, 

cells cultured in flow perfusion bioreactors tend to align within the scaffold in the 

direction of fluid flow [54]. The capability to induce cellular alignment as a byproduct of 

perfusion may be a very favorable trait for the development of cartilage which naturally 

exhibits regions of oriented cells and ECM [77, 78].  
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Also, it has been shown that chondrocytes cultured under dynamic conditions 

exhibit a flattened morphology with filopodia while statically cultured chondrocytes are 

more likely to display rounded, less desirable morphologies [50]. Similarly, statically 

cultured chondrocytes display membrane vesicles, a sign of apoptosis in diseased 

cartilage, while chondrocytes cultured under perfusion exhibit smooth cell surfaces [50]. 

It is imperative for the success of engineered tissues that culture conditions support the 

desired cell phenotype and morphology. 

2.5.2.2. Bone 

Bone-like tissue cultured under flow perfusion displays a more homogeneous cell 

and mineral distribution throughout the entire scaffold as opposed to being confined to 

the scaffold perimeter as seen in statically cultured bone [18, 48, 63, 68]. Similarly, 

cellularity in flow perfusion cultured constructs is significantly higher than statically 

cultured bone-like tissue [79, 80]. Furthermore, in a study performed by Bancroft et al. 

[48], pore-like structures lined with cells indicating de novo tissue modeling were 

observed throughout constructs cultured under flow perfusion. These results show that 

the conditions provided by flow perfusion bioreactors increase the capacity to develop 

constructs into bone-like tissues. 
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Figure 2.6 Calcium production by MSCs in static and perfused cultures. 

Calcium content in the extracellular matrix produced by mesenchymal stem cells cultured 

under static or flow perfusion conditions on titanium scaffolds with 20- or 40-mm fiber 

sizes for 4, 8, or 16 days (p>0.05). Reproduced with permission from Holtorf, H. L.; 

Datta, N.; Jansen, J. A.; Mikos, A. G. J. Biomed. Mater. Res. 2005, 74A, 171–180. 

 

Also, flow perfusion has a significant influence on osteogenic differentiation of 

mesenchymal stem cells (MSCs). When considering bone-like tissue development, 

increased mineralization is consistent with further osteodifferentiation. Holtorf et al. [80] 

indicated that MSCs in titanium meshes with different fiber diameters cultured under 

direct flow perfusion displayed significantly different amounts of mineralization as 

indicated by calcium content (Figure 2.6). Models suggest that decreasing the scaffold 

mesh size leads to an increase in fluid shear stress. Holtorf et al. [80] used 20 µm 

titanium mesh scaffolds obtaining increased shear stresses within constructs yielding an 

increase in mineralization at 16 days when compared to 40 µm mesh constructs [80].  
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Furthermore, flow perfusion may be used to induce osteogenic differentiation of 

MSCs even in the absence of the common induction agent dexamethasone [81]. A similar 

study showed that in the presence or absence of dexamethasone, osteoblast differentiation 

increases throughout the perfused culture duration of MSCs on porous biphasic calcium 

phosphate ceramics. ALP levels in perfused constructs is also significantly higher does 

not have a significant influence on the culture of osteoblasts under flow perfusion 

conditions [82]. Likewise, alkaline phosphatase (ALP), a marker of than static cultures 

[68]. These results indicate that the stimulus achieved through flow perfusion is sufficient 

to induce osteogenic differentiation without traditional induction factors. 

2.5.2.3. Cardiac tissue 

As was displayed in the previous tissues, culturing cardiomyocytes under 

perfusion greatly increases the spatial distribution of cells throughout the entire scaffold. 

Cardiomyocytes cultured statically develop a 100 µm thick external layer of cells with a 

relatively acellular scaffold interior [51]. In contrast, image processing supports that 

perfused scaffolds maintain reasonably constant cell numbers per unit area [51]. 

Likewise, cardiac tissue cultured under flow perfusion maintains a more favorable 

cell phenotype and function. Constructs cultured under perfusion display cardiac-specific 

markers and evidence of aerobic metabolism consistently throughout the entire scaffold 

[51]. In contrast, scaffolds cultured statically exhibit these traits only in the outer 100 µm 

thick section of the construct [51]. Similarly, cardiomyocytes cultured under pulsatile 

perfusion are more hypertrophic than cells grown in static culture [52].  

In addition to differentiation markers, cardiac tissues cultured under perfusion 

retain more cardiac-like function than constructs cultured statically. For instance, cells 
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cultivated under pulsatile flow are more contractile than statically cultured cells. A 

significantly lower excitation threshold and higher contractile amplitude indicate an 

improvement in construct function upon pulsatile perfusion culture [52]. 

2.6. Future progress 

Many studies have shown that flow perfusion bioreactors are valuable for 

successfully culturing tissues and obtaining clinically relevant amounts of ECM. Flow 

perfusion bioreactors also provide a means to overcome the problem of mass transport 

within scaffolds allowing for better cellular infiltration and uniform distribution. 

Furthermore, the mechanical stimulation from flow shear stress is quite useful in guiding 

cellular differentiation. While all of these characteristics have been demonstrated at the 

research level, there is still more progress that must be made in flow perfusion bioreactor 

design to make it more practical for widespread use. 

2.6.1. Improving efficiency 

Most of the flow perfusion bioreactors described previously were placed within 

the confines of an incubator. Incubators are used to maintain a uniform and controllable 

temperature and atmosphere in which to culture tissues. If incubators continue to be used 

in tissue culture with flow perfusion bioreactors, it is necessary to maximize the number 

of scaffolds per bioreactor on each shelf of the incubator. Current designs that exhibit 

relatively low throughput with regards to space requirements will be difficult to scale up 

in the future.  
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One approach to improve the space efficiency of flow perfusion bioreactors is to 

avoid using a traditional incubator all together. In an attempt to circumvent the use of a 

traditional incubator, the flow perfusion bioreactor system is designed to manage 

environmental conditions autonomously. Stand alone, bench-top systems able to maintain 

the temperature, gas tension, and humidity necessary for tissue culture are more user-

friendly and simple [66, 83]. Bioreactor systems that are independent of traditional 

incubators also allow for continuous 3D imaging of the developing tissue under flow 

conditions [84]. 

Many tissue culture systems require the use of growth factors and other signaling 

chemicals to stimulate and maintain cellular differentiation [85-87]. Growth factors are 

rather expensive costing hundreds of dollars for mere micrograms. Thus to manufacture 

tissues in an economically viable fashion, it is vital to design flow perfusion bioreactors 

that make efficient use of medium. Using medium efficiently means reducing the ratio of 

medium volume to scaffold number within each bioreactor.  

The bioreactor described by Flaibani et al. [88] is reasonably efficient in its use of 

medium, completely avoiding the use of a traditional medium reservoir. In the culture 

cassette, extra vacant space is included to act as a medium reservoir (Figure 2.2d). 

Eliminating a traditional medium reservoir greatly reduces the volume of medium needed 

for each scaffold. However, it is extremely important to consider end effects and maintain 

fully developed fluid flow through the culture cassette. Therefore, for some systems the 

utilization of a medium reservoir separate from the culture cassette may be necessary.  
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2.6.2. Scaling up 

A common challenge throughout tissue engineering is the issue of scaling up 

tissue development from the research scale to an industrial level. When scaling up a 

bioreactor, it is necessary to consider reproducibility and safety while furnishing a design 

that is also fiscally competitive and clinically relevant [89]. Currently, bioreactor systems 

that have been scaled up focus on growing relevant tissue sizes aseptically within closed 

systems at high throughput [90].  

In order to take research level bioreactors to the market it may be important to 

take bioreactors from tissue culture to tissue implantation. Current bioreactor systems at 

the research level focus primarily on tissue development and culture. However, a more 

complete industrial level design would incorporate cell seeding, tissue formation, and 

product delivery in one system [90, 91]. A more complete bioreactor design enables the 

tissue product produced within the bioreactor to more easily meet GMP guidelines, such 

as protecting against contamination and providing quality assurance by controlling 

components and processes. A full circle bioreactor more easily meets GMP guidelines 

because the number of processing and handling steps and thus risk of contamination from 

production to delivery will be reduced [90, 91]. 

2.6.3. Standardizing bioreactor systems 

Engineering tissues is a difficult endeavor because the various tissues of the body 

require different conditions and geometries for successful development [16]. Due to the 

different tissue requirements, it is necessary that bioreactors and the various culture 

condition parameters needed be optimized and standardized to the specific tissue being 
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cultured. A study by Bancroft et al. [48] determined that higher mineralization levels 

could be achieved under elevated bioreactor flow rates (Figure 2.7). While medium flow 

rate and the resulting mineralization were determined to be related, it was not a linearly 

proportional relationship. The absence of linearity indicates that there is a limit to the 

amount of mineralization that may be stimulated by fluid flow in a flow perfusion 

bioreactor. In order to achieve the greatest amount of beneficial results, the parameters of 

flow perfusion bioreactors must undergo optimization. 

Currently, the majority of bioreactor systems used for engineering tissues are 

developed individually by separate laboratories to suit specific research objectives. While 

the various systems presently employed bare many similarities, there is no standard 

system used. In order to be able to generate reproducible results, it is necessary to 

produce a standardized bioreactor design which may be used by various members of the 

tissue engineering community. A standard design would further enable the comparison of 

results among different researchers. It would also facilitate the difficult transition that 

occurs when converting a specific technology from the research level to industrial 

production. 
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Figure 2.7 Calcium content of cultured scaffolds.  

Perfusion conditions from left to right: static, 0.3, 1, and 3 mL/min. Indicators: * highest, 

** second highest, and *** third highest calcium content. All groups are statistically 

different (p<0.05). Reproduced with permission from Bancroft, G. N.; Sikavitsas, V. I.; 

Van Den Dolder, J.; et al. PNAS 2002, 99, 12600–12605. 

 

Future flow perfusion bioreactor studies should also move toward presenting 

medium flow as the resulting shear stresses within the construct rather than simply as the 

flow rate through the bioreactor. Presenting medium flow as the resulting internal shear 

stress is key because there currently is not a standardized flow perfusion bioreactor 

system in use. Given that various researchers use slightly different systems, the same 

flow rate used in two different bioreactors may deliver dissimilar levels of mechanical 

stimulation inside the constructs resulting in tissues with different properties. 

2.6.4. Determining shear stresses within constructs 

Scaffolds with different microarchitectures cultured at the same flow rate in a 

perfusion bioreactor may exhibit very different results. Datta et al. [92], reported 

significantly higher mineralization quantities in composite titanium/ECM constructs as 

compared to bare titanium scaffolds (Figure 2.8). While the presence of in vitro generated 
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ECM in a scaffold has been shown to have a positive influence on cellular differentiation 

[93, 94], smaller scaffold pore sizes have been shown to increase shear stress within 

constructs thus elucidating different cellular responses [80]. Due to the influence of 

scaffold architecture on fluid flow induced shear stresses and thus cellular responses, it is 

extremely important to report fluid flow within flow perfusion bioreactors as the shear 

stresses within constructs. 

 

 

Figure 2.8 Calcium content of titanium/ECM composite scaffolds. 

Calcium content in titanium and titanium/ECM composite scaffolds cultured in a flow 

perfusion bioreactor after 4, 8, and 16 days. * significantly different between Ti and 

Ti/ECM constructs, # significantly different from all other data points (p>0.05). 

Reproduced with permission from Datta, N.; Pham, Q. P.; Sharma, U.; Sikavitsas, V. I.; 

Jansen, J. A.; Mikos, A. G. PNAS 2006, 103, 2488–2493. 

 

In an effort to standardize the field of tissue engineering and enable the generation 

of reproducible culturing environments and the tissues that result, it is important to model 

the shear stresses that occur within the interstitial spaces of the scaffolds. Elucidating the 

internal shear stresses due to medium flow would also provide information about the 

shear stresses cells within the constructs experience allowing one to garner more 
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information about the cellular effects of mechanical stimulation and better design 

scaffold architectures. Also, the internal shear stresses may be used to optimize fluid flow 

conditions to match physiological conditions rather than through trial and error as is the 

current norm [16]. 

However, it is a difficult task to accurately estimate the shear stress due to flow 

within a tissue engineering scaffold due to the extremely irregular scaffold architectures 

that exist within constructs. To date, the more accurate method of estimating internal 

shear stress uses microcomputed tomography to determine the complex 

microarchitectures of irregular scaffolds. Then, computational fluid dynamics code is 

used to calculate the localized shear stresses within the scaffolds [58, 59, 95]. In the 

future, improvements may be made to the 3D modeling of shear stresses within irregular 

scaffolds by more closely examining the effects of boundary conditions and assumptions 

on the accuracy of models.  

2.7. Conclusions 

In tissue engineering, scaffolds are necessary for providing a three dimensional 

architecture on which cells may proliferate and develop into a functioning tissue. 

However, mass transfer limitations within scaffolds are an extremely common issue in 

tissue engineering. Oftentimes, cells cultured statically on scaffolds develop a shell of 

viable cells and ECM with the interior portion of the construct relatively devoid of cells. 

Flow perfusion bioreactors may be used to overcome the challenge of mass transfer 

within scaffolds. 
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To design a successful flow perfusion bioreactor it is necessary to consider a 

variety of different design objectives. The primary objective of a flow perfusion 

bioreactor is to supply the flow of media directly through the scaffold in an effort to 

improve mass transport and impose beneficial shear stresses on cells within the scaffold. 

It is also important to consider methods for controlling environmental conditions within 

the bioreactor including: atmosphere, temperature, and sterility.   

Current flow perfusion bioreactors are used for two primary purposes: dynamic 

cell seeding of scaffolds and long-term tissue culture. Seeding cells onto scaffolds 

dynamically using flow perfusion bioreactors has been shown to significantly improve 

seeding efficiencies and cell distributions within scaffolds. Dynamic perfusion for long-

term culture is currently being used for the development of cartilage, bone, and cardiac 

tissues. The shear stresses within the scaffolds that result from media perfusion have been 

shown to have a beneficial effect on cellular differentiation, ECM production, and cell 

distribution within these tissues. 

Scaling up flow perfusion bioreactors to achieve clinically relevant amounts of 

tissue will be a major challenge. For flow perfusion bioreactors to make a successful 

transition from the research level to an industrial scale, it will be necessary to standardize 

bioreactor systems. Also, it is extremely important to improve the efficiency of current 

systems with regards to space constraints, throughput, and media volumes. In the future, 

at both the research and industrial level, it will be necessary to report media flow as the 

internal shear stresses that occur within scaffolds.  

Despite the advances that still need to be made in design, flow perfusion 

bioreactors show immense promise in the engineering of tissues. Flow perfusion 
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bioreactors provide the means to overcome many of the current issues that arise when 

attempting to develop tissues using three dimensional scaffolds. 
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Chapter 3 

Multiscale Fibrous Scaffolds in 

Regenerative Medicine
2
 

Abstract: In recent years, multiscale fibrous scaffolds containing a combination of 

micro- and nanoscale fibers have attracted a lot of attention in the tissue engineering 

field. The multiscale concept is inspired by the hierarchical structure of many tissues, 

such as bone. Fibrous scaffolds have been traditionally microscale; however, it has been 

determined that many physicochemical and biological properties are influenced by fiber 

scale. For this reason, in an effort to optimize tissue regeneration the use of multiple 

scales has been investigated for obtaining innovative property combinations not 

otherwise attainable with a single fiber scale. Multiscale architectures have been found to 
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be favorable not only in bone regeneration but also in the regeneration of soft tissues 

including cardiovascular tissue, neural tissue, cartilage, and skin. The unique properties 

of multiscale scaffolds have been pivotal in better mimicking the extracellular matrix and 

promoting vascularization, a key step towards the development of engineered tissue. In 

this review, we present current designs of multiscale scaffolds and discuss their 

physicochemical characteristics, as well as their potential applications in regenerative 

medicine. 

3.1. Introduction 

Replacement of damaged tissues or organs by natural tissue instead of using 

synthetic implants is now seen as a realistic goal [96]. The emerging field of tissue 

engineering essentially involves engineering a suitably shaped biocompatible scaffold 

that has the potential to regenerate the host tissue when infused with the right mix of cells 

and other growth factors [97-102]. The regeneration can be conducted in vitro giving the 

opportunity to partially develop the host tissue extracorporeally, followed by 

implantation. An ideal scaffold must exhibit a porous, interconnected, and permeable 

structure to permit the infiltration of cells and nutrients and also should exhibit the 

appropriate surface structure and chemistry for cell adhesion and proliferation [103-107]. 

The ideal scaffold must also have mechanical properties comparable with the tissue being 

engineered and have just the right degree of biodegradability, such that it degrades to 

form soluble nontoxic products when the tissue is fully formed [108, 109]. 

The question of scale in this review is uniquely concerned with the scaffold 

structure. Early studies focused on scaffolds containing micrometer-sized interconnected 
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pores to allow for infiltration of cells into the scaffold [46, 110-113]. Since 2000, with 

advances in new nanomaterials and processing techniques a large number of studies [114-

118] have focused on the role of the nanostructure of scaffolds in tissue regeneration. 

This was also prompted by the recognition that the environment of the cells in actual 

tissues (the extracellular matrix; ECM) is fundamentally nanostructured. On the other 

hand, microscale fibers allow the fabrication of scaffolds with controlled cell–cell 

interactions. Microfibers have the potential to be utilized as tissue engineering scaffolds 

in different forms for numerous applications such as wound dressings and bone 

regeneration [119, 120]. The appeal of nanofibers in tissue engineering is their structural 

similarity to native ECM; however, ECM not only has a structural role but also a 

functional one. This network creates a dynamic, three-dimensional (3D) 

microenvironment in which cells are maintained. Signals are transmitted from cell 

surfaces in contact with ECM to the cell nucleus, enabling communication influencing 

cell adhesion, migration, growth, differentiation, programmed cell death, modulation of 

cytokine and growth factor activity, and activation of intracellular signaling [121]. Spun 

nanofibers also offer several advantages such as an extremely high surface-to-volume 

ratio, tunable porosity, flexibility with respect to scaffold size and shape, as well as the 

ability to control the nanofiber composition to achieve the desired results from its 

properties and functionality [121]. Though there are many studies that have proposed 

nanofibrous polymeric mats for tissue engineering, they have a limitation for 3D 

applications due to their pore size, which is smaller than a cellular diameter and restricts 

cell migration within the structure [122-124]. 
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The use of toxic organic solvents for the fabrication of micro- and nanofibers is a 

major limitation of fibers obtained from synthetic polymers, which would require 

thorough washing or solvent evaporation treatment prior to use with cells. Natural 

polymers act as alternatives to synthetic polymers and offer a few advantages such as 

solubility in aqueous media due to their hydrophilic nature in addition to limited or 

nonexistent immunogenicity and cytotoxicity [125]. A variety of natural and synthetic 

polymers have been used to develop scaffolds; however, these scaffolds do not interact 

with cells in the desired manner. The growth of these cells may be affected by their 

interaction with the substrate [126-128]. In vivo, the complex structure of vasculature 

ensures a maximum nutrient diffusion distance of nearly 200 μm for the supply of 

nutrients to tissue. However, this distance exceeds 200 μm within in vitro constructs, 

resulting in reduced nutrient supply that compromises cell growth and differentiation 

[129-131]. Very few studies have looked at the vascularization of scaffolds, which is also 

of major concern [132]. Most of the current scaffolds lack an interconnected 

microcapillary network that would help cells to survive within these scaffolds. Also, the 

cells seeded onto larger and thicker scaffolds have limited success as the cells in the 

deeper layers are devoid of nutrients and oxygen. Hence, there are more cells at the 

surfaces of thick 3D scaffolds than in the deeper layers [133]. Therefore these scaffolds 

should be provided with an inbuilt nutrient distribution network to support the uniform 

growth of cells. Some fabrication techniques fail to form interconnected pores, which are 

an important requirement of tissue engineering scaffolds [18, 134-136]. In addition, 

fabrication techniques in general fail to develop 3D constructs that mimic the complex 

natural tissues, specifically with regard to mechanical properties [95, 132, 137]. 
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To overcome the current limitations, one approach developed mainly in the last 5 

years has been to study multiscale scaffolds in an attempt to mimic hierarchical tissue 

structures. This review essentially focuses on studies involving multiscale fibrous 

scaffolds, their development, use of different fabrication methods, their properties, and 

specific applications in tissue engineering. 

3.2. Multiscale scaffolds: Principles and fundamentals 

ECM is a hierarchical structure comprised of both micro- and nanoscale 

structures. The micrometer scale offers a porous structure large enough for the migration 

of cells through the construct, whereas the nanoscale allows for enhanced protein 

adsorption, thus improving protein-mediated interactions with the cell surface and so 

favoring cell adhesion and improving cell viability [138]. The nanoscale fiber meshes 

exhibit high porosity and reduced pore sizes. Fiber diameter plays an important role in 

adhesion of cells to the fibers. Reports have suggested that nanofibers may serve as 

suitable biomaterials for tissue engineering since they can be used to enhance cell 

differentiation, adhesion, and proliferation [139]. Cells attach at multiple focal points, 

extend filopodia along the length of the fibers, and spread throughout the nanofiber 

matrix [140]. However, the effect of fiber diameter on tissue regeneration still remains 

unknown. Scaffold architecture and design are key factors in determining vascularization 

and nutrient supply, which are crucial for the development of regenerating tissue [141]. 

Studies have shown that pores of 100–300 μm favor vascularization and nutrient supply 

[142]. However, the relatively small pore size of nanoscale fibrous scaffolds compared to 

cell diameter (5–20 μm) limits cell migration and infiltration within the scaffold, leading 
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to the formation of a monolayer of cells on the scaffold surface rather than a 3D cellular 

construct. For this reason, nanoscale fibrous scaffolds cannot mimic the natural thickness 

of certain tissues such as human articular cartilage, which ranges from 0.5 to 7.1 mm 

thick [143]. 

Microfiber scaffolds could be potentially advantageous because they are 

comprised of larger pores than nanofiber scaffolds. These larger pores could facilitate 

cellular infiltration and/or diffusion of nutrients during in vitro culture. To study the 

mechanism of interaction between cells and nanofibers, it is important to control the 

architecture of nanofibers to minimize the interaction of a single cell with neighboring 

fibers [139]. Controlling the nanofiber to microfiber ratio can easily vary the porosity of 

multiscale scaffolds. Pham et al., who developed a bimodal scaffold consisting of a top 

nanofiber layer and a bottom microfiber layer, demonstrated this [39]. These scaffolds 

were developed by a sequential electrospinning technique wherein the multiscale layers 

were electrospun using the same polymer with different morphologies. These scaffolds 

were characterized to evaluate the extent of nanofiber deposition as a function of duration 

of electrospinning time. Electrospinning for longer periods increased the amount and 

thickness of the nanofibrous layer. Hence, thickness and coverage of nanofibrous layer 

could be controlled by modulating the electrospinning time. Cross-sectional images 

helped in distinguishing the alternating layers, even in the presence of a thin nanofiber 

layer. Also, scaffolds with different densities of nanofiber layers were considered to 

investigate the effect on cellular infiltration into these bimodal scaffolds. Cell attachment 

at different intervals of time was found to be similar; however, cell spreading was 

affected by the presence of nanofibers. The cells initially appearing to exhibit rounded 



 43 

morphologies became more spread with time, with the greatest amount of spreading 

being observed on scaffolds with nanofibers. Complete infiltration of cells was only 

observed in the presence of a flow perfusion bioreactor. Thus the presence of nanofibers 

was found to hinder cell migration due to the presence of smaller pores, but at the same 

time influenced cell spreading, proliferation, and differentiation [39]. However, these 3D 

scaffolds combining nano- and microscale fibers (nano/microfiber scaffolds) have a 

layered nanofibrous structure instead of a randomly mixed structure composed of 

nanofibers and microfibers. Therefore, the nanofibrous layers, which were formed in 

sheet-like structures over microfibers, can prevent the cells from infiltrating adequately 

into the scaffolds.  

3.3. Mechanical, physicochemical, and biological properties of 

multiscale scaffolds  

The success of a tissue engineering scaffold ultimately depends on the interplay of 

various biological, mechanical and physicochemical properties. For every successful 

application, these tissue engineered constructs must satisfy the essential requirements of 

biological, mechanical, and physical properties. The scaffold architecture should support 

and withstand compressive forces and contraction in vivo. The scaffold should provide 

adequate support for cell attachment and growth in vitro and facilitate mass transfer of 

nutrients and oxygen when implanted in vivo. For biodegradable scaffolds, the rate of 

degradation should balance the rate of neo-tissue formation and remodeling, wherein the 

degree of remodeling depends on the type of tissue. Shalumon et al. prepared multiscale 

poly(ε-caprolactone) (PCL) fibrous scaffolds [138]. Various processing parameters such 
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as viscosity, applied voltage, and flow rate influence the fiber diameter and result in the 

formation of a simultaneous micro/nanofiber matrix. The presence of nanofibers 

embedded in the microfiber matrix was found to enhance the mechanical strength in 

comparison to microfibers alone. Also, the strain values were increased, which may be 

attributed to the cumulative elongation effect in the presence of the nano/microfiber 

combination. The incorporation of nanocrystalline hydroxyapatite (nHA) into these 

multiscale fibers did not alter the fiber morphology; however, the fiber diameter was 

slightly larger. This was probably due to the increase in polymer viscosity. The cellular 

activity on multiscale scaffolds, regardless of the incorporation of nHA, was higher than 

on microfibers or nanofibers alone. Cells attached to the multiscale fibers were flattened, 

laterally stretched, and extended (Figure 3.1) [138]. 

 

Figure 3.1 SEM images of cell attachment after 12 hr of incubation.  

(a) Cell attachment on multiscale scaffold. (b) Cell growth into the multiscale scaffold; 

arrows indicate spherical morphology of cells attached to microfibers. (c) Cell access to 

the interior of the multiscale scaffold through the pores in the microfibers (Adapted from 

[138]). 

 

Similarly Shalumon et al. also fabricated electrospun porous poly(lactic acid) 

(PLA) multiscale scaffolds and evaluated their physicochemical and biological properties 

in detail [144]. These multiscale scaffolds were developed through a bimodal fiber 

fabrication system. The three main solution properties, solution viscosity, conductivity, 
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and surface tension, were determined to be the governing factors in the formation of 

multiscale fibers. Cells seeded on the multiscale scaffold displayed a well-flattened and 

laterally stretched morphology over the scaffold surface. Cell penetration and 

proliferation on multiscale scaffolds was enhanced in comparison to nano- or microscale 

scaffolds (Figure 3.2). This was due to the combined effect of porosity and low contact 

angle offered by the microfibers and the capacity for spreading offered by nanofibers. 

Increased cell penetration also resulted in homogenous distribution of the cells 

throughout the multiscale scaffold [144]. 

 

Figure 3.2 3D projection images of cell infiltration behavior.  

3D projections display cellular infiltration into (A) micro/nano and (B) micro/nano/nHAp 

fibrous scaffolds (Adapted from [144]). 

 

Santos et al. elucidated the importance of endothelial cell (EC) colonization and 

angiogenic potential of nano/microfibrous combined scaffolds [145]. The ECs spanned 

between microfibers with the support of nanobridges formed by the nanofibers, yielding a 

higher density of adherent ECs. This spanning of cells between the fibers was absent in 

the microfiber control. This could be due to the presence of a nanonetwork that induced a 

different cytoskeletal arrangement, which was reflected in the stretched shape with 

numerous cellular extensions. Besides improving the interconnectivity, these nano/micro 

scaffolds provided a means of physical support for the enhanced growth of ECs, thus 

A BA B
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showing close resemblance to morphology of a capillary-like network [145]. Edwards et 

al. also described similar work wherein a multiwalled carbon nanotube–PLGA nanofiber 

composite presented ideal pore spanning, allowing uniform distribution of fibroblast-like 

cells throughout the scaffold surface [146]. With an increase in cell spanning and 

stretching, the receptors also get stretched and activated. Tuzlakoglu et al. developed 

polymeric micro/nanofiber scaffolds from a blend of starch and PCL. The results 

indicated changes in cell morphology and cytoskeletal rearrangement. The cell receptors 

were stretched and activated, leading to the expression of different genes in comparison 

to the unstretched cells [140]. Mota et al. developed dual-scale scaffolds consisting of 

aligned PCL microfilaments and PLGA nanofibers [126]. They observed that in the dual-

scale scaffolds, cells were able to colonize the interfilament gap caused by the 

microfilaments. This was due to the effect of the guidance in cellular adhesion exerted by 

the electrospun nanofibers, which were also responsible for the morphological changes 

between cells adhered on fibers with different orientations. These dual-scale scaffolds are 

also characterized by fiber alignment and high spatial connectivity capable of directing 

cell orientation and migration [126]. The interaction of cells with ECM is not only an 

anisotropic behavior, but is also dependent on the chemical changes experienced from the 

surrounding environment. The cells endure chemical stimulation by direct contact with 

the surrounding ECM or the neighbors, which greatly depends on the spatial 

concentration distribution of the fibers. By altering the composition of nanofibers while 

electrospinning, multilayered scaffolds with specified chemistry, thickness, and 

morphology can be obtained [147]. 
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Porosity and pore size are among the key factors responsible for the success of 

tissue engineered scaffolds. Optimum porosity enhances cell spreading and migration 

while supporting the exchange of nutrients between the scaffold and the surrounding 

environment. Porosity and pore size in electrospun scaffolds are mainly dependent on the 

fiber diameter and their packing density. Soliman et al. developed a bio-inspired 

multiscale 3D scaffold for soft tissue engineering wherein the fiber distributions were 

intermixed into a single, multimodal layer [148]. They also stated the importance of 

combining nano- and microfibers in a single scaffold wherein cell motility and adhesion 

was improved by the network of nanofibers. The web of nanofibers helped in bridging 

the cells across the microfibers, thus colonizing the entire scaffold, while the microfibers 

produced larger pores to accommodate the cells. This is a valuable characteristic because 

in a single-scale scaffold the cells are frequently confined to a single fiber due to the 

absence of bridging across microfibers that are far apart. The multimodal scaffold also 

exhibited superior strength and stiffness in comparison with the controls [148]. 

Multiscale scaffolds composed of nano- and microscale fiber meshes using two 

different electrospinning techniques, multilayer electrospinning and mixing 

electrospinning, were reported by Kidoaki et al. [149]. Initially, four different polymers 

were individually electrospun: type I collagen, styrenated gelatin (ST-gelatin), segmented 

polyurethane (SPU), and poly(ethylene oxide). Then, these individual fiber meshes were 

deposited layer-by-layer to form a tri-layered electrospun mesh and mixed electrospun 

fiber mesh. A bilayered tubular construct composed of a thick SPU microfiber mesh as an 

outer layer and a thin type I collagen nanofiber mesh as an inner layer was fabricated as a 

prototype scaffold of artificial grafts and may provide compliance matching with native 
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arteries and tissues. Further insights into detailed in vitro and in vivo studies are essential 

to visualize the functioning of the fiber mesh after implantation [149]. Thus, the 

synergistic combination of micro- and nanofiber hierarchical scaffolds developed using 

combinations of a wide variety of biopolymers showed unique mechanical, biological, 

and physicochemical properties that are suitable for diverse tissue engineering 

applications and are absent in single-scale scaffolds. 

3.4. Applications of multiscale scaffolds in tissue engineering 

3.4.1. Bone 

Bone tissue engineering is a branch of tissue engineering that aims to repair 

and/or regenerate bone using scaffolds with cell-based therapies and growth supplements. 

It may be used to restore skeleton function in the field of orthopedic and oralmaxillofacial 

surgery [150-152]. Scaffolds for bone tissue engineering are developed with the primary 

aim of closely mimicking the biophysical structure of natural ECM. Tuzlakoglu et al. 

developed nano- and microfiber combined scaffolds from starch/PCL-based biomaterials 

to support bone cells [140]. The nanofibers were electrospun in a random manner 

between the microfibers, thereby providing nanobridges similar to those found in ECM. 

In the presence of nanofibers, a wellspread cellular morphology and cytoskeletal 

organization of the SaOs-2 human osteoblast-like cell line and rat bone marrow stromal 

cells was observed. Osteoblasts were directed to bridge between microfibers and this 

resulted in scaffolds c0ompletely filled with cells after 2 weeks of culture. With cell 

stretching, the receptors also got stretched and activated, resulting in the expression of 

various genes in comparison to the unstretched cells. Cell viability and alkaline 



 49 

phosphatase (ALP) activity for both of the cell types was found to be enhanced in nano/ 

microfiber combined scaffolds as compared to control scaffolds based on fiber meshes 

without nanofibers. Consequently, the developed structures are believed to have a great 

potential for the 3D organization and guidance of cells that are important for engineering 

3D bone tissues. Their unique architecture, which supports and guides the cells, makes 

them suitable candidates for bone tissue engineering applications [140]. Martins et al. 

also developed bone ECM-inspired structures by conjugating electrospun chitosan (Cht) 

nanofibers within biodegradable polymeric microfibers [poly(butylene succinate) (PBS) 

and PBS/Cht], assembled in a fiber mesh structure [153]. The physical properties of these 

scaffolds could be enhanced by developing a highly connected porous framework. The 

osteogenic differentiation of human bone marrow mesenchymal stem cells (hBMSCs) 

produced an increased amount of calcium phosphates on these nanofiber-reinforced 

composite scaffolds, confirming ECM deposition and mineralization, mainly in the 

PBS/Cht-based fiber meshes. The osteogenic genotype of the cultured hBMSCs was 

confirmed by the expression of osteoblastic genes, namely those coding for ALP, 

osteopontin, bone sialoprotein and osteocalcin, and the transcription factors Runx2 and 

Osterix, all involved in different stages of osteogenesis [153]. Osathanon et al. fabricated 

micro- and nanoporous fibrin/calcium phosphate composite scaffolds with tightly 

controllable pore size and interconnected pores using sphere-templating methods [154]. 

Murine calvarial cells attached, spread and showed a polygonal morphology on the 

surface of the scaffold. Multiple cell layers and fibrillar matrix deposition were observed. 

Cells seeded on mineralized fibrin scaffolds exhibited significantly higher ALP activity 

as well as osteoblast marker gene expression compared to fibrin scaffolds and nHA-
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incorporated fibrin scaffolds. The scaffolds also promoted bone formation in a mouse 

calvarial defect model, and the bone formation was enhanced by addition of recombinant 

human bone morphogenetic protein-2 (rhBMP-2) [154]. These works have demonstrated 

the combination of micro- and nanofiber scaffolds to be a feasible option for the design 

and development of hierarchical, fully functional, synthetic ECM substitutes.  

 

Figure 3.3 SEM of cells on fibronectin-coated multiscale scaffolds. 

SEM micrographs of HUVEC cells on fibronectin-coated starch/PCL scaffolds. (A, B) 

showing the nano/micro-fiber-combined scaffold after 3 days of culture. Note the ability 

of the EC to use the nanofibers to span across the micro-fiber structure. (Adapted from 

[145]) 

 

Vascularization following implantation is a major concern in bone regeneration as 

well as tissue engineering as a whole because diffusion limitations are a major barrier to 

the production of 3D engineered tissues. Strategies that include seeding ECs on 

biomaterials and promoting their adhesion, migration, and functionality might be a 
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solution for the formation of vascularized bone. Nano/microfiber combined scaffolds 

have a unique characteristic inspired by ECM, the nanodimensions, which promote cell 

adhesion, together with a microfiber mesh that provides the mechanical support. Santos et 

al. described a work showing the influence of a nanonetwork on growth pattern, 

morphology, inflammatory expression profile, expression of structural proteins, 

homotypic interactions, and angiogenic potential of human ECs cultured on a scaffold 

made of a blend of starch and PCL [145]. These nanonetworks on microfiber meshes not 

only increased the adhesion surface area and interconnectivity in the constructs but also 

provided structural and organizational stability for ECs. As mentioned earlier, the human 

dermal microvascular ECs (HDMECs) spanned between the microfibers using the 

nanobridges formed by the nanofibers, thus favoring high levels of cell adhesion. On the 

microfibers, the cells exhibited a flattened morphology characteristic of their location 

inside larger blood vessels and an extremely stretched shape reminiscent of the 

angiogenic phenotype, with multiple cellular protrusions anchoring them to several 

nanofibers (Figure 3.3). The cells also covered the entire surface of the scaffold without 

hampering the scaffold porosity. Furthermore, on nanofibers as well as on microfibers, 

ECs maintained the physiological expression pattern of the structural protein vimentin 

and platelet EC adhesion molecule (PECAM-1) between adjacent cells. In addition, ECs 

growing on the nano/microfiber combined scaffold were sensitive to pro-inflammatory 

stimulus. Under pro-angiogenic conditions in vitro, the ECM-like nanonetwork provided 

the structural and organizational stability for migration and organization of ECs into 

capillary-like structures with branching. The architecture of nano/microfiber combined 
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scaffolds, thus, elicited and guided the 3D distribution of ECs without compromising the 

structural requirements for bone regeneration [145]. 

Multiscale scaffolds thus satisfy the required criteria of an ideal bone regenerating 

scaffold, namely biocompatibility. Likewise, they promote cellular adhesion, growth, and 

migration. The bone-specific cells align themselves along the long axis of the micro- and 

nanofibers, bond to the existing bone surface facilitated by the presence of nanoscale 

structures, and stimulate osteogenesis. The presence of microfibers in the construct 

provides the necessary porous structure for the cells to migrate easily, enable the supply 

of nutrients and oxygen, and enhance vascularization. These constructs are biodegradable 

and have a controlled degradation rate. They also exhibit mechanical and 

physicochemical properties that match the native bone. The architecture, properties, and 

biological requirements can be tuned during fabrication to obtain a construct of desired 

morphology and characteristics. All these factors should be further confirmed with in 

vivo studies to ensure that multiscale scaffolds are a suitable option for bone tissue 

engineering. 

3.4.2. Cartilage 

Cartilage is a tissue in which the ECM plays a very important role in both the 

biological and mechanical function of the tissue. For this reason, it follows that a well-

designed scaffold that mimics the structure of native ECM could potentially lead to more 

successful development of engineered cartilage. Park et al. fabricated highly 

functionalized polymeric 3D scaffolds by a combination of direct polymer melt 

deposition (DPMD) and electrospinning [155]. Between the microfiber layers formed by 
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DMPD, PCL/collagen nanofiber matrices were deposited via electrospinning. The hybrid 

scaffold showed a 3D woodpile structure composed of layers of PCL microfibers with a 

PCL/collagen nanofiber matrix (Figure 3.4). This stacked structure was thought to be 

beneficial for the penetration of cells, also leading to increased cell migration through the 

side channels. Results confirmed enhanced chondrocyte attachment and proliferation on 

the hybrid scaffold. An increase in cell number was noted with an increase in culture 

duration. This could be due to direct reaction of cells to the nanofibrous topography such 

as groove, ridge, pore, step, and node topographies. Hence, the nanofibrous topography 

could be easily sensed by the seeded chondrocytes thereby influencing cellular 

interactions. The nanofibrous structure can also enhance serum protein adsorption on the 

surface of the hybrid scaffold. An increase in serum protein adsorption further enhances 

cell adhesion. With the exposure of collagen on the surface of the hybrid scaffold, cells 

were provided with a suitable environment for growth and differentiation. Hence, the 

surface nanotopography enhanced the cytocompatibility of the scaffold to make it more 

suitable for cartilage tissue regeneration [155]. 
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Figure 3.4 Hybrid direct polymer melt deposition/ electrospun scaffolds. 

(a) Photograph of the overall 3D woodpile structure with dimensions of 9 mm x 9 mm x 

3.5 mm; (b) the hybrid basic unit layer composed of microfibers and the electrospun 

nanofibers matrix; (c and d) magnified images of (b). (Adapted from [155]) 

 

3.5. Skin 

Kim et al. reported the development of 3D scaffolds with randomly mixed 

interconnected network of micro- and nanofibers [143]. The hybrid process was designed 

by combining melt electrospinning and solution electrospinning. This hybrid structure 

with a randomly mixed network of micro- and nanofibers also had similar pore 

dimensions to microfiber scaffolds, and the scaffold thickness could also be varied to the 

centimeter scale making it adaptable for 3D culture of various tissues. The mechanical 

properties of the poly(D,L-lactic-co-glycolic acid) (PLGA) nano/microfiber composite 
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scaffold were assessed using tensile testing. The PLGA nano/microfiber composite 

scaffold had higher tensile strength and elongation at break than the PLGA microfiber 

scaffolds, which may be due to the entangled structure of nanofibers with the microfibers. 

The nanofibers in the nano/microfiber scaffolds can provide more contacts and/or 

physical junctions with the microfibers or nanofibers, and thus act as physical crosslinks. 

The response of normal human epidermal keratinocytes (NHEKs) and primary normal 

human epidermal fibroblasts (NHEFs) forming this tissue was analyzed in vitro. The 

attachment of NHEF cells was significantly higher on PLGA micro/nanofiber scaffolds in 

comparison to NHEK cells. Regardless of culture duration, NHEKs did not spread well 

on the PLGA microfiber scaffolds. Conversely, NHEFs spread and spanned across the 

pores between fibers in the PLGA microfiber scaffolds within a single day of culture, yet 

cell contacts appeared broken in these scaffolds after 3 days, which could negatively 

influence further construct development. Nano/microfiber scaffolds seeded with either 

NHEK or NHEF cells displayed spreading and cellular infiltration after only 1 day of 

culture. Since the PLGA scaffolds possess similar tensile properties to human skin, and 

due to the increased cell spreading and infiltration of nanofiber containing constructs, it 

was anticipated that multiscale PLGA scaffolds would be a suitable tissue engineering 

scaffold for skin regeneration [143]. 

3.6. Neural 

Neural tissue repair in order to treat nerve damage or neuropathy arising from a 

spinal cord or cerebral injury essentially requires the intervention of tissue engineering 

because axons are unable to regenerate on their own. Hence, recent advances in neural 
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tissue engineering provide suitable and promising substitutes for nerve regeneration [156, 

157]. Wang et al. developed chitosan bilayered tubes and micro/nanofiber mesh tubes 

[158]. These tubes were prepared using the electrospinning technique. Bilayered tubes 

were formed by combining an inner nano/microfibrous tube with a chitosan film outer 

coating. These nano/microfiber mesh tubes, bilayered tubes, and film tubes were tested as 

bridge grafts in injured rat sciatic nerves. Although the mechanical properties of 

micro/nanofiber mesh tubes were inferior in comparison to the bilayered tubes, these 

properties were sufficient to serve as a nerve conduit preserving permeation of the mesh 

tube. Both function recovery and nerve regeneration were enhanced as a result of good 

permeation ability, thereby enabling the exchange of nutrients and metabolic wastes. The 

micro/nanofiber mesh also had the ability to interact with the ECM on both sides of the 

amputated nerve and to promote Schwann cell migration into the lesion area to provide a 

suitable environment for the growth of the nerve into the lesion site. The graft may also 

approximate the two sides of the lesion [158]. Panseri et al. used tubes made of 

biodegradable polymers (a blend of PLGA/PCL) fabricated by electrospinning to 

regenerate a 10-mm nerve gap in a rat sciatic nerve in vivo [159]. The flexible fibrous 

structure was easily sutured to the proximal and distal ends of the nerve stump. The graft 

also showed a porous structure allowing the passage of nutrients, and a necessary barrier 

to prevent the infiltration of unwanted tissue into the conduit. Four months after surgery, 

the electrospun tubes were found to induce neural tissue regeneration and functional 

reconnection of the two severed sciatic nerve tracts in comparison to the untreated 

control. Myelination and collagen deposition were detected in accordance with the newly 

regenerated nerve fibers. Thin fibrous tissue capsule formation around the surface of the 
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conduit and negligible inflammatory response proved the biocompatible nature of the 

conduit. These results effectively showed that the prosthesis did not produce any 

mechanical stress-related nervous degeneration and favored the reestablishment of 

functional neuronal connections evoking re-innervation of the target muscles in the 

majority of treated animals [159]. The results from these studies confirmed the efficacy 

of multiscale scaffolds as suitable constructs for neural tissue engineering. Some of the 

remarkable features such as the migration of Schwann cells into the injury site favoring 

the growth of nerve, functional innervation, nerve regeneration as a result of good 

permeation ability with exchange of nutrients, and graft approximation clearly satisfy the 

needs of neural tissue engineering. 

3.6.1. Cardiovascular 

Regenerative medicine is of paramount importance for treating patients with 

severe cardiac diseases. Various strategies for regenerating the damaged myocardium are 

under investigation with varying degrees of success. These strategies include cell 

therapies, gene or protein therapy, and the application of passive or bioactive materials or 

a combination of cells, growth factors, and scaffolds to repair or regenerate cardiac 

tissues [99, 102, 160]. Kwon et al. fabricated nano/microstructured biodegradable poly(L-

lactic acid-co-ε-caprolactone) (PLCL) fabrics of different compositions by 

electrospinning [161]. Different architectures of the elastomeric co-polyester, the 

equimolar PLCL copolymer, were prepared using different solvents. The decrease in the 

fiber diameter of the fabric resulted in a decrease in porosity and pore size, as well as an 

increase in fiber density and mechanical strength. Human umbilical vein endothelial cells 

(HUVECs) were well attached and proliferated on the small fiber diameter fabrics. 
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Results suggest that these electrospun elastomeric fibers could be combined into 

multiscale scaffolds to yield more advantageous responses in cardiovascular and 

muscular tissue engineering endeavors by harnessing the positive characteristics of the 

differently scaled fibers in a single scaffold [161]. Further in vivo studies are essential to 

confirm its application for cardiac tissue engineering. 

3.7. Logistics and limitations 

Often when nanofibers are incorporated into a microscale scaffold you see 

increased cellular attachment and spreading because nanofibers more closely resemble 

the scale of ECM than do microfibers and in turn act as cellular bridges across larger 

pores. While this is often a positive result for a multiscale scaffold, when the density of 

nanofibers is too great cellular infiltration of the scaffold is also limited, which is a 

detriment to the development of larger 3D tissues. Previous studies have shown that 

dense layers of nanofibers formed by as little as 300 s of electrospinning can significantly 

hinder the infiltration of cells into a scaffold [39]. For this reason, it is important to 

optimize the proportion of nanofibers to microfibers in multiscale scaffolds in order to 

maximize the beneficial effects of nanofibers while still harnessing the positive attribute 

of larger pore sizes usually associated with microscale scaffolds. 

Due to the nature of the electrospinning process it is very difficult to 

independently vary the proportions of two differently scaled fiber diameters while 

maintaining consistent fiber characteristics. This is due to the fact that one of the primary 

ways to regulate fiber proportions is by adjusting the polymer extrusion flow rate. 

Consequently, flow rate also has a major influence on fiber diameter. Another strategy 
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for controlling the relative proportion of different fiber scales is by interrupting the flow 

of one polymer stream to reduce the relative amount of that particular fiber. However, in 

order to interrupt the flow of a polymer stream while electrospinning, one must: (1) 

interrupt the voltage source, thus stopping the propulsion of the polymer solution; or (2) 

pause the extrusion of the polymer solution, this halts polymer flow yet a small amount of 

polymer may still be drawn out of the spinnerette due to the active electrical field; or (3) 

physically block the fibers from reaching the target, which may be difficult to do if other 

scaled fibers are being electrospun in close proximity to the fibers being manipulated. 

Furthermore, all of these methods of controlling fiber proportions generate issues 

regarding reproducibility. A summary of the tissue engineering applications of the 

multiscale fibrous scaffolds discussed in this review is given in Table 3.1.  

Conversely, it is also challenging to alter fiber diameters while keeping the 

relative fiber scale proportions constant, for the same list of reasons. This makes it 

challenging to design effective studies to examine the effect of fiber size or relative fiber 

type proportions on cellular responses within multiscale scaffolds. It would be easier to 

alter the fiber diameter or relative proportions of micro- to nanoscale features if 

electrospun nanofibers were coupled to a different fabrication technique such as polymer 

melt deposition. However, it can be argued that this might not produce a reasonably 

homogenous scaffold with an even mixing of nano- and microfeatures throughout the 

entire scaffold, which could in turn influence results. 



 60 

3.8. Conclusions and future directions 

Techniques to produce multiscale biomaterial scaffolds with designer geometries 

are ‘the need of the hour’ to provide improved biomimetic properties for functional tissue 

replacements. While micrometer fibers generate an open pore structure, nanofibers 

support cell adhesion and facilitate cell–cell interactions. This was further proven by cell 

penetration studies, which showed superior ingrowth of cells into hierarchical structures. 

Mixed bimodal scaffolds of two different polymers are another promising approach, 

because they exhibit hierarchical pore/surface systems and combine the beneficial 

properties of both polymers at two different scales. Various 3D micro- and nanoscale 

multiscale scaffolds have been fabricated through various techniques and were found to 

have the potential to essentially recreate natural bone, cardiac, neural, and vascular 

tissues. 

The multiscale system also appears to be capable of providing more enhanced 

biological functionality, particularly for vascularization, which is favored by the 

interaction of ECs with the nanofibrous networks that allow suitable cell architecture and 

orientation for microtubule formation. Thus, the synergistic effect of micro- and 

nanoscales could successfully regenerate natural tissues in vivo in the near future. Future 

work should focus on optimizing this process to better recapitulate key features of the 

native ECM, including its mechanical and biochemical properties, which would enhance 

the functionality of these 3D multiscale scaffolds in order to fabricate functional tissue 

engineered constructs. 
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Table 3.1. Tissue engineering applications of multiscale fibrous scaffolds  

Tissue Diameter 
Fiber 

Fabrication 
Application Key Results Ref. 

G
en

er
a
l 

T
is

su
e 

E
n

g
in

ee
ri

n
g

 
10 μm,  

3 - 5 μm, and 

500 nm 

Aligned 

electrospun 

PGA/collagen 

fibers  

In vitro culture 

of NIH-3T3 

fibroblast-like 

cells 

Increased cellular 

adhesion and 

spreading on 

nanofibers as 

compared to 

microfibers regardless 

of fiber composition 

[

[138] 

8 mm,  

9 – 9.5 mm, 

700 – 750 nm, 

850 – 980 nm 

Electrospun 

PLA micro/ 

nanofibers 

without and 

with nHA 

In vitro culture 

of MG-63 

osteoblast-like 

cells 

Cell penetration and 

proliferation on 

multiscale scaffolds 

was higher than the 

control. Cells were 

dispersed throughout 

scaffold. The addition 

of nHAp further 

improved the 

bioactivity 

[

[144] 

34.1 ± 2.9 μm 

yarn and 

nanoscale 

fibers  

Knitted tube of 

carbon 

nanotube yarn 

coated with 

electrospun 

PLGA 

nanofibers 

In vitro culture 

of NR6 

fibroblast-like 

cells 

Electrospun 

nanofibers supported 

cell spanning across 

large pores while 

limiting infiltration of 

the tube 

[

[146] 

3.3 μm and 

600 nm 

Electrospun 

PCL micro/ 

nanofibers 

In vitro culture 

of murine 

MSCs 

Compared to 

monoscale micro and 

nano controls, 

multiscale scaffolds 

led to increased 

adhesion, viability, 

and scaffold 

infiltration 

[

[148] 

B
o
n

e 

365.4 ± 18.3 

μm 

and 1 μm 

Aligned melt 

extruded PCL 

microfibers 

and 

electrospun 

PLGA fibers 

In vitro culture 

of MC3T3 

preosteoblast-

like cells 

Compared to extruded 

microfiber controls, 

dual-scale scaffolds 

led to increased cell 

viability and adhesion 

[

[126] 

6.8 ± 0.4 μm 

with 244.7 ± 

18.8 nm or 

11.3 ± 1.9 μm 

Electrospun 

PCL micro, 

nano, and 

multi-scale 

In vitro culture 

of MG63 

osteoblast-like 

cells 

Cell activity, 

proliferation, and total 

protein adsorption 

were higher on 

[

[138] 
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with 269.5 ± 

42.2 nm 

fibrous 

scaffolds with 

and without 

nHA 

scaffolds containing 

nanofibers than on 

microfibers 

160 μm and 

400 nm 

Starch/PCL 

fiber bonded 

microscaffolds 

with 

electrospun 

nanofibers  

In vitro culture 

of SaOs-2 

osteosarcoma-

like cells and 

rat MSCs 

Compared to 

microfiber scaffolds, 

multiscale scaffolds 

displayed higher cell 

viability, ALP 

activity, and stretched 

cell morphology 

[

[140] 

Bilayered 

scaffolds of  

5 μm and  

600 nm 

Electrospun 

PCL micro/ 

nanofibers 

In vitro culture 

of rat MSCs 

Nanofibers increased 

cell spreading and 

decreased infiltration 

while having little to 

no effect on 

attachment 

[

[39] 

160 μm and 

400 nm 

Starch/PCL 

fiber bonded 

microscaffolds 

with 

electrospun 

nanofibers 

In vitro culture 

of HUVECs 

and HDMECs 

Cells on nanofibers 

spanned adjacent 

microfibers and 

adopted capillary-like 

morphologies while 

remaining sensitive to 

pro-inflammatory 

stimuli 

[

[145] 

460 μm or  

500 μm and 

nanoscale 

fibers 

Melt extruded 

PBS or 

PBS/Cht 

microfiber 

structures with 

electrospun 

Cht  

In vitro culture 

of human bone 

marrow MSCs 

Nanofibers led to 

increased deposition 

of calcium phosphate 

especially in 

combination with 

PBS/Cht microfibers 

[

[153] 

200 - 250 µm 

pore size and  

40 - 80 nm 

Fibrin, 

mineralized 

fibrin, or 

fibrin/nHA 

microporous, 

nanofibrous 

scaffolds  

In vitro culture 

of murine 

calvarial cells 

and in vivo 

implantation of 

acellular 

scaffolds  

Mineralized fibrin 

scaffolds showed 

higher ALP activity 

than fibrin and 

fibrin/nHA scaffolds.  

Scaffolds promoted 

bone formation in 

mouse defect model 

[

[154] 
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C
a
rt

il
a
g
e
 

405 ± 15 μm 

and  

431 ± 148 nm 

or  

325 ± 128 nm 

DPM 

deposited PCL 

microfiber 

structures with 

electrospun 

PCL or 

PCL/collagen 

nanofibers 

In vitro culture 

of  bovine 

chondrocytes 

Cell attachment and 

proliferation was 

improved by the 

addition of 

electrospun nanofibers 

with the largest 

increase due to 

PCL/collagen 

nanofibers 

[

[155] 

S
k

in
 

28 μm and 

530 nm 

Hybrid 

electrospun 

PLGA 

micro/nanofibe

rs 

In vitro culture 

of  human 

epidermal 

keratinocytes 

and fibroblasts 

Compared to 

microfiber controls 

cell attachment, 

spreading, and 

infiltration were 

higher in 

micro/nanofibers 

composite scaffolds 

[

[143] 

N
er

v
e
 

Microscale 

fibers and  

200 - 600 nm 

Electrospun 

Cht 

nano/microfibr

ous tubes with 

or without Cht 

film outer coat 

In vivo 

implantation in 

rat sciatic 

nerve 

The Cht 

nano/microfiber mesh 

tubes effectively 

maintained defect 

space and enabled 

superior cell 

migration, permeation, 

and functional 

recovery 

[

[158] 

Bilayered 

tubes of  

7.5 ± 2.0 μm 

and  

279 ± 87 nm 

Electrospun 

PCL 

microfibers 

with 

PCL/PLGA 

nanofibers 

In vivo 

implantation in 

rat sciatic 

nerve 

Implants led to nerve 

regeneration, muscle 

reinnervation, as well 

as some evidence of 

myelination 

[

[159] 

C
a
rd

ia
c 

7.0 ± 1.0 μm, 

1.2 ± 0.2 μm, 

and 

320 ± 80 nm 

Electrospun 

PLCL nano- to 

microfiber 

fabrics 

In vitro culture 

of HUVECs 

Cell attachment and 

proliferation was 

higher on the highly 

packed nano- and 1-

μm scaled- fiber 

fabrics in comparison 

to the control 

[

[161] 
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Chapter 4 

Cell Derived Polymer/Extracellular Matrix 

Composite Scaffolds for Cartilage 

Regeneration, Part 1: Investigation of 

Co-cultures and Seeding Densities for 

Improved Extracellular Matrix 

Deposition.
3
 

Abstract: This study investigated the co-culture of chondrocytes and mesenchymal stem 

cells (MSCs) on electrospun fibrous polymer scaffolds to produce polymer/extracellular 

matrix (ECM) hybrid constructs with the objective of reducing the number of 

                                                 

 

3
 This chapter has been submitted as: Levorson EJ, Mountziaris PM, Hu O, Kasper FK, 

Mikos AG. Cell Derived Polymer/Extracellular Matrix Composite Scaffolds for 

Cartilage Regeneration, Part 1: Investigation of Co-cultures and Seeding Densities 

for Improved Extracellular Matrix Deposition. Tissue Eng Part C Methods, 

submitted May, 2013.  

Supplementary data has been included at the end of the chapter. 
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chondrocytes necessary to produce ample cartilage-like ECM within the scaffolds. To 

generate these hybrid constructs, electrospun poly(ε-caprolactone) (PCL) fibrous 

scaffolds were seeded at both high and low initial densities with five different ratios of 

chondrocytes to MSCs: 1:0, 1:1, 1:3, 1:5 and 0:1, and cultured for 7, 14, and 21 days. 

GAG production and distribution within the three co-culture groups was similar to 

quantities generated by chondrocyte only controls. Conversely, as the concentration of 

chondrocytes was increased the collagen content of the constructs also increased at each 

time point, with a 1:1 chondrocyte to MSC ratio approximating the collagen production 

of chondrocytes alone. Histological staining suggested that co-cultured constructs 

mimicked the well-distributed ECM patterns of chondrocyte generated constructs while 

improving greatly over the restricted distribution of matrix within MSC-only constructs. 

These results support the capacity of co-cultures of chondrocytes and MSCs to generate 

cartilaginous matrix within a polymeric scaffold. Furthermore, the inclusion of MSCs in 

these co-cultures enables the reduction of chondrocytes needed to produce cell-generated 

ECM. 

4.1. Introduction  

 

Articular cartilage is a specialized tissue whose structure and function is mainly 

provided by its dense extracellular matrix (ECM), which not only operates as a physical 

support for the cells and tissue, but also directs cellular behavior through integrin-ligand 

interactions. Motivated by this native structure, a variety of cartilage tissue engineering 

strategies to date have incorporated ECM, including sponges, coated scaffolds, and 

hydrogels of glycosaminoglycans (GAGs) or collagen, as well as decellularized tissues 
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[5, 8, 162-172]. While it is possible to generate ECM derived scaffolds from components 

extracted directly from tissues, utilizing cell cultures to generate ECM/polymer 

composite scaffolds may be a more promising approach. This method has the added 

benefit of producing constructs with not only structural components, namely the 

polymeric scaffold and ECM components, but also the inclusion of growth factors and 

regulatory proteins beneficial for directing tissue regeneration [7, 173, 174]. Previous 

efforts have focused on coating fibrous poly(ε-caprolactone) (PCL) scaffolds with ECM 

produced by culturing chondrocytes under perfused flow, followed by decellularization 

[6]. This work expands upon these strategies by examining PCL/ECM constructs 

generated by incorporating different cell types involved in cartilage development, at 

various ratios and seeding densities. 

Tissue engineering approaches for cartilage regeneration have been primarily 

focused on two different cell sources, chondrocytes and mesenchymal stem cells (MSCs). 

Autologous chondrocyte implantation has shown promising results clinically especially 

in second and third generation procedures when implantation is accompanied by a 

supporting biomaterial and/or arthroscopic techniques [175, 176]. However, there are still 

limitations to be addressed such as isolating sufficient cell numbers from healthy tissue 

[176-178], dedifferentiation upon chondrocyte expansion [176, 178-180], and donor site 

morbidity [175, 181]. Ultimately, the reduction of biopsy size or necessity would be 

positive for the future treatment of articular cartilage lesions. Similarly, the capacity to 

utilize chondrocytes as a primary cell source for tissue engineering efforts is limited since 

many standard approaches necessitate sizeable cell numbers. 
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In order to overcome the limitations of chondrocytes as a cell source, stem cells, 

specifically mesenchymal stem cells (MSCs), are currently being investigated for use in 

cartilage regeneration. MSCs may be useful for this purpose as they are readily present 

within the bone marrow of adults in addition to being a precursor cell type to the 

chondrocytic lineage [182, 183]. Furthermore, bone marrow MSCs have been shown to 

maintain stemness and chondrogenic differentiation capacity upon expansion in vitro 

allowing for sufficient cell numbers for use in tissue engineering practices [180, 184]. 

However, previous studies have shown that while MSCs do undergo chondrogenesis, less 

matrix is produced by MSCs than by chondrocytes cultured similarly [185]. As the 

ultimate objective is to generate an acellular implantable construct with deposits of 

cartilage-like ECM to direct tissue repair, it is necessary to develop culture conditions in 

which ECM production is optimal. For this reason, the utilization of undifferentiated 

MSCs is less favorable due to limited matrix production.  

Considering the strengths and weaknesses of these two different cell sources, we 

hypothesized that a mixed co-culture approach would overcome the various shortcomings 

of the individual cell types. Co-culturing chondrocytes together with MSCs takes 

advantage of both secreted factors and direct cell to cell contact to direct differentiation 

and potentially stimulate matrix production [186-188]. The objective of this study was to 

determine the optimal ratio of chondrocytes to MSCs that results in dense and well-

distributed cartilage-like ECM deposition within a fibrous polymeric scaffold, while 

minimizing the required number of chondrocytes. This was performed by culturing in 

fetal bovine serum (FBS) containing media without exogenous growth factor 

supplementation. In addition, since previous efforts have indicated that higher cell 
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densities generally lead to improved cartilage-like matrix production, most likely due to 

increased cell to cell contacts as well as the presence of more cells to produce ECM [76, 

166], the influence of seeding density on ECM production by co-cultures was also 

investigated in an effort to improve the deposition of cartilage-like ECM within the 

constructs.  

4.2. Materials and Methods 

4.2.1. Experimental design 

A full factorial design was utilized with two factors, co-culture ratio and seeding 

density, with five and two levels respectively. The five co-culture ratios of chondrocytes 

to MSCs were: 1:0, 1:1, 1:3, 1:5, and 0:1. The two different seeding densities were: 

35,000 cells/scaffold and 70,000 cells/scaffold on 3 mm diameter scaffolds 1 mm thick. 

The resulting ten groups were sampled at 3 time points: 7, 14, 21 days. 

4.2.2. Electrospinning 

Using a horizontal electrospinning apparatus, non-woven microfiber meshes were 

fabricated by extruding 18% (w/w) PCL (Durect, Birmingham, AL) in a 5:1 (v/v) ratio of 

chloroform: methanol at 25 mL/hr with an applied voltage of 30 kV. The distance from 

the blunt 16 G needle to the collector plate was 36 cm. Mats were electrospun until a 

thickness of 1 mm was reached. To determine the average fiber diameter of the fibrous 

meshes, three samples (n=3; Ø = 3 mm) were taken from different locations on each mat. 

On each individual sample, three discrete locations were imaged at a magnification of 

1,000x using a scanning electron microscope (SEM) (FEI Quanta 400 ESEM FEG, 
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FEICo, Hillsboro, OR). From each SEM image, the diameters of five separate fibers were 

measured using the manufacturer supplied software for a total of 45 measurements. Prior 

to utilizing scaffolds from separate electrospun mats, it was first determined that the 

average fiber diameters for the different mats were not statistically different (p > 0.05). 

4.2.3. Cell isolation and expansion 

In this study, bovine chondrocytes were cultured together with rabbit bone 

marrow-derived MSCs because, despite combining cells from two different species, this 

has been previously validated as a successful model for investigating co-culture 

interactions [189, 190]. The rationale for using rabbit MSCs is that rabbits are a 

commonly used in vivo model for articular cartilage defects [191-193]. Although 

xenogeneic, bovine chondrocytes are incorporated into this co-culture model to reduce 

the number of animals necessary as there is a relative paucity of articular chondrocytes 

and rabbit joints are small in size.  

Rabbit MSCs were isolated using previously described methods [6, 194-197]. 

Bone marrow was aspirated from the tibiae of six male New Zealand White rabbits 

weighing 0.9-1.2 kg at the time of harvest. Marrow aspirates were then rinsed with 

general medium composed of DMEM (Invitrogen, Carlsbad, CA), 10% FBS, and 1% 

penicillin-streptomycin-fungizone (Gibco, Grand Island, NY) and centrifuged to remove 

fat and other debris. The rinsed pellets were then suspended in general medium and 

plated in tissue culture flasks. Medium was changed every three days. When adhered 

cells neared confluency, approximately two weeks after harvest, the cells were 

trypsinized and pooled for cryopreservation in freezing medium containing 20% FBS and 
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10% DMSO. Prior to seeding PCL scaffolds, MSCs were thawed at 37°C then expanded 

to passage 3 in general medium. 

Bovine chondrocytes were isolated as previously described [6, 198]. Legs from 7-

10 day old calves were obtained from Research 87 (Research 87, Boston, MA) within 24 

hr of slaughter. The knee joint was isolated by dissecting the muscles and other soft 

tissues away from the bone. Upon isolating the distal femur, cartilage from the femoral 

condyle was minced and rinsed with PBS. The cartilage was then digested with 0.2 wt% 

collagenase type II (Worthington, Lakewood, NJ) in culture medium for 16 hr under 

agitation in an incubator. Chondrocytes from four legs were pooled and cryopreserved for 

later use. Before seeding PCL scaffolds, chondrocytes were removed from 

cryopreservation and expanded for seven days in chondrocyte growth medium containing 

DMEM, 10% FBS, 10 mM HEPES buffer (Gibco, Grand Island, NY), 1% non-essential 

amino acids (Gibco, Grand Island, NY), 0.28 mM ascorbic acid (Sigma, St Louis, MO), 

0.4 mM L-proline (Sigma, St Louis, MO), and 1% penicillin-streptomycin-fungizone 

(Gibco, Grand Island, NY). 

4.2.4. PCL/ECM construct generation 

PCL mesh scaffolds were die cut from electrospun mats into 3 mm diameter discs 

and press-fit into polycarbonate seeding cassettes (inner diameter = 2.94 mm, height = 

9.09 mm). The scaffolds and seeding cassettes were then ethylene oxide sterilized for 12 

hr. Prior to seeding, a decreasing ethanol gradient (100% - 35%) was used to hydrate the 

PCL scaffolds. The scaffolds were then rinsed twice with PBS and incubated overnight in 

general medium. 
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Chondrocytes and MSCs were then trypsinized and cell seeding solutions 

composed of the five co-culture ratios were prepared by mixing together in chondrocyte 

growth medium for each of the two seeding densities described in the Experimental 

Design. The two seeding densities were prepared as cell suspension concentrations of 

1.75 million cells/mL and 3.5 million cells/mL of which 20 μL was seeded on the upper 

surface of the scaffold translating to seeding numbers of 35,000 cells/scaffold and 70,000 

cells/scaffold respectively. After a 2 hr pre-attachment period, additional chondrocyte 

growth medium was added to each well and the scaffolds were cultured within the 

seeding cassettes for a 24 hr attachment period. At the completion of the 24 hr attachment 

period, the scaffolds were unconfined and placed in ultra-low attachment 24 well plates 

(Costar, St Louis, MO) with chondrocyte growth medium. Scaffolds were cultured for 7, 

14, and 21 days with media changes every three days. At the end of each culture period, 

the constructs were removed from the culture medium, rinsed three times with PBS, and 

then processed accordingly for the different analytical methods described below. 

4.2.5. Biochemical assays 

In preparation for biochemical assays, at the completion of each culture period 

two scaffolds were pooled in 500 μL of proteinase K (1 mg/mL proteinase K (Sigma, St 

Louis, MO), 185 μg /mL iodacetamide (Sigma, St Louis, MO ) and 10 μg/mL pepstatin A 

(Sigma, St Louis, MO) in Tris/EDTA buffer containing 6.055 mg/mL tris(hydroxymethyl 

aminomethane) (Sigma, St Louis, MO) and 372 μg/mL EDTA at pH 7.6) and digested at 

56°C for 16 hr. The digested components of the samples (n=4) were then released into 

solution using three freeze/thaw/sonicate cycles lasting 10 min each. Freezing was 
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performed by immersion in liquid nitrogen then a 37°C
 
water bath was used to thaw the 

samples. 

The cellularity of each sample was analyzed using a fluorometric PicoGreen DNA 

assay kit (Molecular Probes, Eugene, OR). As performed in earlier studies [199], double 

stranded DNA was quantified by excitation at 490 nm and fluorescence emission 

intensity was detected at 520 nm. All samples and standards were performed in duplicate. 

DNA content per scaffold was calculated using a standard curve while taking into 

consideration sample dilution as well as the pooling of scaffolds prior to proteinase K 

digestion. 

Quantification of GAG deposition was determined using the 1,9-

dimethymethylene blue colorimetric assay with absorbance measured at 520 nm [199]. 

Chondroitin sulfate standards and proteinase K digested samples were performed in 

duplicate with concentration values of duplicates averaged during analysis in order to 

limit experimental error. Finally, calculated GAG concentrations were adjusted for 

dilution and scaffold pooling to display the results as GAG content per scaffold. 

Total collagen content was determined by first quantifying hydroxyproline 

content of day 7, 14, and 21 samples. Initially, 100 μL of proteinase K digested sample 

was hydrolyzed with an equal amount of 12 M HCl at 115°C for 4 hr. Hydrolyzed 

samples were then cooled to room temperature and placed under continuous nitrogen 

flow to dry. The samples were then rehydrated with 500 μL ddH2O. 100 μL of the 

rehydrated sample was then combined with 50 μL chloramine-T (Sigma, St Louis, MO ) 

and 50 μL p-dimethylaminobenzaldehyde (Sigma, St Louis, MO) and incubated at 60°C 
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for 30 min, as described previously [92, 200]. Absorbance was measured at 570 nm in a 

plate reader with samples run in duplicate alongside hydroxyproline standards of known 

concentration. Absorbance correlated to hydroxyproline content was then calculated as 

the amount of collagen per scaffold by correcting for dilution and scaffold pooling then 

converting the amount of hydroxyproline per scaffold to collagen content using a 

previously reported 1:10 hydroxyproline to collagen ratio [200].  

4.2.6. Histology 

In order to prepare constructs for histological analysis, after being removed from 

culture the samples were fixed overnight in 10% buffered formalin at 4°C. Following 

fixation, an increasing ethanol gradient ranging from 70 – 100% in 10% increments for 5 

min each was employed to dehydrate the samples. Samples were then transferred to 

HistoPrep frozen tissue embedding media (Fisher, Fair Lawn, NJ) and left at room 

temperature for a minimum of 24 hr to fully permeate the specimens. Treated samples 

were then frozen into blocks within the embedding medium, cut with a cryotome into 8 

μm thick sections perpendicular to the seeding surface (CM1850, Leica Microsystems, 

Bannockburn, IL), and mounted onto glass Superfrost Plus microscope slides (VWR, 

Batavia, IL). Prior to staining, slides were incubated at 45°C
 
on a slide warmer for a 

minimum of 7 days to ensure sample adhesion. 

To visualize the distribution of GAGs deposited within the scaffolds, sections 

were stained with safranin O using previously detailed methods [199]. Stained sections 

were imaged using light microscopy (Zeiss AxioImager.Z2, Göttingen, Germany) and 

images were captured using a Zeiss AxioCamMRc 5 digital camera. Image exposure and 
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white balance were corrected using automatic functions in the manufacturer supplied 

software (AxioVision 4.8, Zeiss, Göttingen, Germany). 

The distribution of collagen deposited by the different culture conditions was 

imaged using picro sirius red staining. Samples were first hydrated with ddH2O and then 

stained with a picro sirius red solution composed of 1 g/L Direct Red 80 (Sigma Aldrich, 

St Louis, MO) in saturated aqueous picric acid for 1 hr. After staining, samples were 

rinsed twice with 0.5% glacial acetic acid. The sections were then air dried and imaged 

using the aforementioned light microscope with the captured images corrected for white 

balance and exposure using the manufacturer supplied software. 

Cellular distribution throughout the constructs was visualized by staining nuclei 

using nuclear fast red. Sections were first hydrated with ddH2O then stained for 5 min 

with 1 g/L nuclear fast red (Sigma Aldrich, St Louis, MO) in 50 g/L aluminum sulfate 

after which the slides were rinsed with ddH2O and air dried. Nuclear fast red stained 

slides were then imaged using the previously detailed methods. 

4.2.7. Scanning electron microscopy 

To visualize the surface morphology of the cellular constructs, samples were first 

fixed with 2.5% glutaraldehyde for 2 hr then rinsed with PBS. Afterwards, an increasing 

ethanol gradient ranging from 30 – 100% was used to dehydrate the samples before air 

drying. The prepared samples were then coated with 20 nm of gold using a Denton Desk 

V sputter-coater system (Denton Vacuum LLC, Moorestown, NJ) and imaged via SEM 

(FEI Quanta 400 ESEM FEG, FEICo, Hillsboro, OR). Samples for both seeding densities 

and all culture ratios were imaged in this fashion at days 7, 14, and 21 in order to observe 
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the timewise progression of ECM deposition and cell proliferation as it related to surface 

morphology. 

4.2.8. Statistical analysis 

Prior to utilizing scaffolds from separate electrospun mats, an ANOVA followed 

by Tukey’s honestly significant difference test was utilized to ensure that there was not a 

significant difference in fiber diameter among mats used for cell seeding (n=3; p > 0.05). 

Biochemical assay results are displayed as the means ± standard deviation for (n=4) 

samples, unless otherwise indicated. A two way ANOVA was performed to determine 

statistical significance for both scaffold cellularity and ECM deposition as determined by 

GAG and total collagen content. If the ANOVA showed significant differences, then a 

Tukey’s honestly significant difference test was utilized to perform multiple comparisons 

post-hoc. For both the ANOVA and Tukey’s tests, differences were considered 

significant if p < 0.05. 
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4.3. Results 

4.3.1.  Electrospun scaffold morphology 

 

Figure 4.1 SEM images of electrospun PCL scaffolds. 

Scanning electron micrographs of acellular electrospun PCL microfibrous scaffolds with 

magnifications: (a) 500x and (b) 1000x with measurements used to characterize average 

fiber diameter. 

 

The fibrous scaffolds used for this study were taken from electrospun mats with 

an average fiber diameter of 8.5 μm with a maximum standard deviation of 1.2 μm 

(Figure 4.1). Prior to utilizing scaffolds from separate electrospun mats, it was first 

determined that the average fiber diameters for the different mats were not statistically 

different (p > 0.05). 

4.3.2. Extracellular matrix morphology 

For scaffolds seeded initially at a density of 35,000 cells/scaffold, SEM images 

show that chondrocyte containing cultures developed a dense coating of cells and ECM 

over the majority of the seeding surface after just 7 days of culture (Figure 4.2 (a) 

through (l)). In contrast, when MSCs alone were seeded on scaffolds, it took between 14 

and 21 days to completely coat the upper surface of the scaffold with cells and ECM 
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(Figure 4.2 (n) and (o)). Scaffolds seeded with half chondrocytes or more, groups 1:0 and 

1:1, achieved a surface coating within 21 days of culture so dense that it was difficult to 

distinguish the underlying fibers (Figure 4.2 (c) and (f)). 

The surface of all scaffolds seeded initially with 70,000 cells/scaffold, regardless 

of the culture ratio, became occluded at earlier time points than the corresponding groups 

at the lower initial seeding density. For all five culture ratios seeded with 70,000 cells, the 

scaffold surface was completely covered with cells and ECM by day 14 if not day 7 

(Supplementary Figure 4.1). By day 14, one time point earlier than for the lower seeding 

density, the uppermost fibers of the scaffold were difficult to observe for groups 1:0 and 

1:1 (Supplementary Figure 4.1 (b) and (e)). Even at higher seeding densities, the surface 

of scaffolds cultured with MSCs alone for up to 21 days did not display coatings as dense 

as those cultured with chondrocytes as indicated by the visibility of PCL fibers through 

the cell and ECM surface coating (see e.g., Supplementary Figure 4.1 (f) vs. (o)) 
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Figure 4.2 SEM of lower seeding density surface morphology. 

Scanning electron micrographs depicting the temporal progression of construct surface 

morphology for scaffolds seeded with 35,000 cells initially. Images depict constructs 

produced by culturing the following ratios of chondrocytes to MSCs: 1:0, 1:1, 1:3, 1:5, 

and 0:1 for 7, 14, and 21 days. 1,000x magnification. Scale bar in (a) indicates 50 μm and 

applies to all images. 

. 
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4.3.3.  Cell and extracellular matrix distribution 

 

Figure 4.3 GAG localization on lower seeding density scaffolds. 

Safranin O stained histological sections of constructs cultured with all five culture ratios 

at 35,000 cells/scaffold initially for 7, 14, and 21 days. The seeded surface of the scaffold 

is shown at the top of the images. 10x magnification. Scale bar in (a) indicates 100 μm 

and applies to all images. 
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Figure 4.3 and Supplementary Figure 4.2 depict sections from each group at each 

time point treated with safranin O, which stains GAGs red. For both seeding densities, 

there were fewer GAGs deposited inside the scaffolds of MSC generated constructs than 

constructs generated with chondrocyte containing cultures (Figure 4.3 and Supplementary 

Figure 4.2 (m-o) vs. (a-l)). Throughout the entire 21 days of culture, 0:1 culture ratios 

only produced GAGs on the uppermost surface of the scaffolds (Figure 4.3 and 

Supplementary Figure 4.2 (m-o)). Conversely the culture ratios 1:0, 1:1, 1:3, and 1:5 

which contained chondrocytes exhibited GAGs distributed inside the scaffold in addition 

to at the surface (Figure 4.3 and Supplementary Figure 4.2 (a-l)). Furthermore, especially 

for the higher seeding density shown in Supplementary Figure 4.2, it appears as though 

the co-cultures generated more widely distributed and denser GAG accumulation within 

the PCL mesh than the chondrocyte control samples (Supplementary Figure 4.2 (d-l) 

compared to (a-c)). In addition to these differences based on cell ratio, GAG content in 

Figure 4.3 and Supplementary Figure 4.2 also exhibited a time-dependent progression. 

Within the day 21 samples, safranin O staining was the densest and most intense within 

the chondrocyte containing constructs of the 70,000 cells/scaffold groups. Conversely, 

for all of the culture ratios there was minimal staining for GAGs at day 7 and by day 14, 

safranin O staining became more pronounced in all of the samples. 
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Figure 4.4 Collagen deposition on lower seeding density scaffolds. 

Picro sirius red stained histological sections of constructs cultured with all five culture 

ratios at 35,000 cells/scaffold initially for 7, 14, and 21 days. The seeded surface of the 

scaffold is shown at the top of the images. 10x magnification. Scale bar in (a) depicts 100 

μm and applies to all images. 

 

Figure 4.4 and Supplementary Figure 4.3 depict cross-sections of representative 

samples from each group at each time point treated with picro sirius red, which stains 
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collagen a red color. Over 21 days of culture there was minimal collagen distributed 

within constructs cultured with MSCs alone for both seeding densities and any staining 

was primarily located at the surface of the scaffold (Figure 4.4 and Supplementary Figure 

4.3 (o)). In the chondrocyte containing constructs, there was fairly consistent staining for 

collagen within the interior of the scaffold as well as at the seeding surface for both 

seeding densities (Figure 4.4 and Supplementary Figure 4.3 (c,f,i,l)). Furthermore, for 

both the high and low seeding densities (Supplementary Figure 4.3 and Figure 4.4, 

respectively) picro sirius red staining showed a timewise deposition of collagen within 

the scaffolds cultured with chondrocytes and chondrocyte containing co-cultures (Figure 

4.4 and Supplementary Figure 4.3 (a-l)). For all of the samples there was very little 

staining for collagen at day 7 with most of the collagen isolated near the surface of the 

construct. Overall, there did not appear to be a marked difference in picro sirius red 

staining between the two different seeding densities, with the exception of the 1:5 ratio 

constructs. The intensity of day 21 picro sirius red staining showed a dose-dependent 

trend relative to the amount of chondrocytes, which was more noticeable for the lower 

seeding density (Figure 4.4). Within the lower seeding density, the MSC-only (0:1) group 

had the least intense red staining on day 21 (Figure 4.4 (o)), followed by the 1:5 group 

(Figure 4.4 (l)), and so on, with the 1:0 group (Figure 4.4 (c)), which had the highest 

concentration of chondrocytes, exhibiting the deepest staining. This was also observed 

within the constructs initially seeded with 70,000 cells/scaffold (Supplementary Figure 

4.3).  
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Figure 4.5 Cellular localization on lower seeding density scaffolds. 

Nuclear fast red stained histological sections of constructs cultured with all five culture 

ratios at 35,000 cells/scaffold initially for 7, 14, and 21 days. The seeded surface of the 

scaffold is shown at the top of the images. 10x magnification. Scale bar in (a) depicts 100 

μm and applies to all images. 

 

Figure 4.5 and Supplementary Figure 4.4 depict representative cross-sections of 

constructs from each culture ratio at each time point treated with nuclear fast red, which 
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stains cell nuclei red. As was observed with staining for the ECM components 

glycosaminoglycan and collagen, nuclear fast red staining, which highlights cell 

localization, showed that construct cellularity mirrored the distribution of the ECM 

components. For example, in 0:1 culture ratio generated constructs, cells did not 

significantly infiltrate the interior of the PCL scaffolds (Figure 4.5 and Supplementary 

Figure 4.4 (m-o)). The four chondrocyte containing groups exhibited substantial cellular 

infiltration within 200-500 μm depth of the scaffolds. Furthermore, there were minimal 

differences in cellular localization among the four chondrocyte containing culture ratios 

(Figure 4.5 and Supplementary Figure 4.4 (a-l)). There appeared to be little difference 

between the cell localization of the scaffolds for the two different seeding densities. 

Furthermore, when examining the time progression of cell distribution for each group, no 

significant improvement was seen from day 14 to 21. 

Table 4.1 Key to statistical significance symbols in Figures 4.6-4.8. 

Symbol Meaning 

‡ 
Statistically significant difference from group 1:0 for this particular 

density and culture duration (p < 0.05). 

* 
Statistically significant difference from group 0:1 for this particular 

density and culture duration (p < 0.05). 

+ 

Statistically significant difference (p < 0.05) from the corresponding 

group seeded at the higher density, at this particular culture duration. 

Significance is indicated above the group with the lower seeding 

density only. 

x 
Statistically significant difference (p < 0.05) from day 0 value for this 

particular culture ratio and seeding density. Marked at earliest possible 

time point if later groups are also significantly different from day 0. 

# 
 Statistically significant difference (p < 0.05) between different co-

culture ratios within a particular seeding density and culture duration. 
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4.3.4.  Cell, glycosaminoglycan, and collagen content 

Figure 4.6 depicts the DNA content of the constructs at each time point. There 

was no significant difference noticed in DNA content among the day 0 samples, taken 

after 2 hr of attachment, even between the two different seeding densities. Furthermore, 

seeding density showed a minimal effect on cellularity at later time points despite a two 

fold increase in initial cell number from the lower seeding density to the higher density. 

The four instances in which seeding density was observed to elicit a significant change 

occurred in 1:0 at the intermediate time point and in the 1:0, 1:1, and 0:1 groups at the 

final time point (Figure 4.6 “+”). 

 

Figure 4.6 Cellularities for co-culture optimization. 

DNA content of scaffolds seeded with five chondrocyte to MSC ratios (1:0, 1:1, 1:3, 1:5, 

and 0:1) at either 35,000 cells/scaffold (“35K”) or 70,000 cells/scaffold (“70K”) cultured 

for 7, 14, and 21 days. DNA content is represented as the mean ± standard deviation (n = 

4). Statistical significance is indicated using markers defined in Table 4.1 (p < 0.05). 

 

An increase in cellularity over time as determined by DNA content was observed 

for all five culture ratios at both seeding densities. Scaffolds initially seeded with 35,000 
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cells/scaffold (“35K” in Figure 4.6) showed a greater rate of cell proliferation from day 0 

to 7 than the corresponding scaffolds seeded at the higher cell density (“70K” in Figure 

4.6). This faster rate of proliferation for the lower seeding density was evidenced by the 

larger number of groups that achieved statistically significant increases in DNA content 

by day 7 (Figure 4.6 “x”). Scaffolds containing chondrocytes (groups 1:0, 1:1, 1:3, and 

1:5) had faster cell proliferation than scaffolds cultured with MSCs alone (group 0:1, 

Figure 4.6). By 14 days of culture, all four chondrocyte containing groups at the higher 

seeding density had significantly higher DNA content than scaffolds cultured only with 

MSCs, and this difference persisted at day 21 (Figure 4.6 “*”). In contrast, at the lower 

seeding density, only the 1:3 co-culture group yielded more DNA than the MSC only 

control (0:1 ratio) at both days 14 and 21. In addition, differences in cell content of the 

co-cultures compared to the 1:0 chondrocyte control were only observed for the lower 

density (“35K”) (Figure 4.6 “‡”). Furthermore, this was only observed at time points 

after day 7. No significant differences in cellularity were observed amongst the three co-

culture groups, 1:1, 1:3, and 1:5, at either initial seeding density over the 21 day culture 

period.  

Figure 4.7 depicts the average GAG content of the scaffolds in each group at each 

time point. As with cellularity, significant increases in GAG content as compared to day 

0 samples appeared to occur sooner for scaffolds cultured with 35,000 cells/scaffold 

rather than 70,000 cells/scaffold (Figure 4.7 “x”). At the lower seeding density, 7 to 14 

days of culture were sufficient for all of the groups to produce significantly more GAGs 

than day 0 samples. However, most groups with 70K seeding density required 14-21 days 

of culture to exceed the initial baseline GAG content, despite having more cells total 
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available to produce GAGs than lower seeding density counterparts. Aside from this 

temporal difference in the GAG production between the two seeding densities, seeding 

density had little effect on GAG production when comparing culture ratios at a specific 

time point. The only exception was the 0:1 MSC control group at day 21, where the lower 

seeding density led to a higher GAG content (Figure 4.7 “+”). 

 

Figure 4.7 GAG content for co-culture optimization. 

Glycosaminoglycan content of scaffolds seeded with five chondrocyte to MSC ratios 

(1:0, 1:1, 1:3, 1:5, and 0:1) at 35,000 cells/scaffold (“35K”) or 70,000 cells/scaffold 

(“70K”) cultured for 7, 14, and 21 days. GAG content is represented as the mean ± 

standard deviation (n = 4). Statistical significance is indicated using markers defined in 

Table 4.1 (p < 0.05). 

 

Although on day 7 only the 1:0 chondrocyte control with the higher 70K seeding 

density had significantly more GAG content than the 0:1 MSC control, by 14 days of 

culture all four chondrocyte containing groups generated significantly more GAGs than 

the MSC controls regardless of seeding density (Figure 4.7 “*”). Apart from the MSC 

control samples, almost none of the co-culture generated constructs produced 

significantly fewer GAGs than the chondrocyte controls, with the only exceptions being 
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the 1:3 and 1:5 70K groups at day 14 (Figure 4.7 “‡”). This difference was eliminated by 

day 21. Among the co-culture groups, there was a significant difference in GAG 

deposition only at day 14 (Figure 4.7 “#”). For both seeding densities, the 1:1 co-culture 

group deposited significantly more GAGs within the PCL scaffold than the 1:5 co-culture 

group. For the 35K seeding density, the difference between the 1:1 and 1:3 co-culture 

groups at day 14 was also significant.  

Figure 4.8 shows the average collagen content of the constructs at each time 

point. Note that a baseline day 0 values are not shown, unlike Figures 4.6 and 4.7, as the 

values were anticipated to be below the threshold of the assay. For both seeding densities, 

the 1:0 and 1:1 groups deposited significantly higher amounts of collagen than all other 

groups (Figure 4.8 “‡” and “#”, respectively), and showed significantly increasing 

collagen content throughout the entire culture duration. For both seeding densities, the 

1:0 chondrocyte control group had a higher collagen content than any other group at all 

time points, although for the 35K seeding density, this effect was only significant from 

day 14 onward (Figure 4.8 “‡”). Of note, at day 21 for the lower seeding density, the 1:1 

co-culture group achieved substantial collagen content such that it did not differ 

significantly from the 1:0 chondrocyte control group. The only significant effect of 

seeding density was observed in the 1:0 group at day 14, where the 70K seeding density 

resulted in a significantly higher collagen content (Figure 4.8 “+”).  
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Figure 4.8 Collagen content for co-culture optimization. 

Collagen content per scaffold for PCL scaffolds seeded with five chondrocyte to MSC 

ratios (1:0, 1:1, 1:3, 1:5, and 0:1) at 35,000 cells/scaffold (“35K”) or 70,000 cells/scaffold 

(“70K”) cultured for 7, 14, and 21 days. Collagen content is depicted as 10x the measured 

hydroxyproline content per scaffold. Collagen content for group 0:1 was measured at 

each time point but was below the threshold of the assay. Likewise, the collagen content 

for day 7 groups 1:3 35K and 70K as well as 1:5 35K were below the threshold of the 

hydroxyproline assay. Values shown are represented as mean ± standard deviation (n = 

4). Statistical significance is denoted using the symbols defined in Table 4.1 (p < 0.05). 

 

Throughout the entire culture duration at both seeding densities, MSCs cultured 

alone on PCL scaffolds produced less collagen than the minimum threshold of the 

hydroxyproline assay used to determine scaffold collagen content. For this reason, group 

0:1 does not register in Figure 4.8. Collagen deposition levels below the assay threshold 

were also observed at 7 days of culture in co-culture groups 1:3 and 1:5. As with 

cellularity and GAG production (Figures 4.6 and 4.7), the collagen content of the 1:3 and 

1:5 co-culture groups at a given seeding density did not significantly differ at any time 

between seeding and 21 days of culture (Figure 4.8). 
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4.4. Discussion 

This study demonstrated that a 1:1 ratio of chondrocytes to MSCs, seeded at 

35,000 cells/scaffold, is optimal for the production of dense and well-distributed 

cartilage-like ECM within PCL scaffolds while minimizing the required number of 

chondrocytes. Previous efforts to investigate the utilization of co-cultures containing 

chondrocytes and MSCs have primarily focused on studying the differentiation state of 

either cell type as opposed to focusing on the development of cartilage-like ECM within a 

scaffold [201-203]. The purpose of this study was to investigate and optimize the use of 

different co-culture ratios of chondrocytes and MSCs in an effort to produce PCL/ECM 

constructs containing cartilage-like ECM while reducing the total number of 

chondrocytes necessary to do so. Furthermore, the influence of seeding density was also 

examined as it was hypothesized that a higher cell density would yield an amplification 

of matrix production due to increased cell-cell contacts as well as the availability of more 

cells in the scaffold to generate ECM. 

Various chondrogenic co-culture studies have been previously performed in either 

micromass cultures or encapsulated within hydrogels [202, 204, 205]. In the case of 

micromasses, the frequency of cell-cell interactions is increased because the cell density 

is greatly exaggerated, approximating that of cartilage within the condensation stage of 

development [206]. While micromasses are useful for studying basic cell interactions and 

tissue development, they are impractical for tissue engineering applications due to the 

large cell numbers required to achieve an implantable mass of appreciable dimensions. 

Alternatively, hydrogels provide a favorable environment for studying cartilage 

development. This is due to the rounded shape cells often take upon gel encapsulation, 
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which has been shown to be beneficial for the chondrogenic phenotype [207]. However, 

when studying the influences of co-cultures on matrix production, hydrogels may 

potentially restrict the dispersion of cells and secreted factors and thus alter the effects of 

co-culture [208]. For this reason, this study set forth to examine the interaction of 

chondrocytes and MSCs in a highly porous, fibrous scaffold focusing on the production 

of ECM within the scaffold. The ultimate goal was to produce a cell-derived hybrid 

scaffold containing the biological signals necessary to direct cartilage regeneration upon 

implantation. 

In general, there was a temporal increase in cellularity and ECM production for 

all five co-culture ratios and for both seeding densities throughout the study. As a plateau 

in ECM production was not observed, it might have been possible to produce more ECM 

within the scaffolds if the samples were cultured longer. However, increased in vitro 

culture duration carries an increased risk that the cells may become hypertrophic and 

produce primarily collagen types I and X [189, 205, 209]. Previous results showed that in 

two weeks of serum-free culture supplemented with TGF-β3 there were minimal changes 

in the expression of collagen type X within three dimensional cultures of chondrocytes, 

MSCs, as well as 30:70 co-cultures of chondrocytes and MSCs [190]. As the constructs 

examined here were being produced without growth factor supplementation to contain 

cartilage-like ECM in order to direct articular cartilage regeneration in situ, hypertrophic 

ECM would be undesirable, and thus further increases in construct culture duration 

should be carefully considered. 

Besides examining the potential use of co-culture ratios of chondrocytes to MSCs 

for producing cartilage-like matrix within a three-dimensional scaffold, this study also 
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aimed to investigate the influence of initial seeding density on the ultimate ECM content 

of the constructs. For this study, the lower seeding density was scaled by scaffold surface 

area from the seeding density used previously to produce chondrocyte perfusion culture 

generated PCL/ECM scaffolds [6]. The higher seeding density, double that of the 

previously utilized seeding density, was used in an effort to examine the potential effects 

of increased cell density on matrix production. Initial seeding density had the most 

profound effect on the MSC and chondrocyte (0:1 and 1:0) controls, primarily concerning 

DNA content (Figure 4.6 “+”). Interestingly, when significant, the higher seeding density 

displayed a higher cellularity for group 1:0 but a lower cellularity for group 0:1 at 

extended culture durations. The only co-culture group that displayed a significant 

difference with respect to seeding density was the 1:1 group at day 21 in which the DNA 

content was significantly higher for the 70K seeding density with no corresponding 

significant differences observed in ECM content. Conversely, seeding density displayed 

much less of an effect on ECM content as determined by GAG and collagen contents. 

Significant differences in ECM content across the two different seeding densities were 

only observed for the GAG content of group 0:1 day 21 and the collagen content of group 

1:0 day 14. None of the co-culture groups showed a significant change in ECM content 

due to the initial seeding density.  

The lack of a biochemical response to the initial seeding density was possibly due 

to limitations in cell attachment due to scaffold surface area availability as evidenced by 

little difference in day 0 DNA contents across the two seeding densities [142]. It is 

possible that the cell attachment achieved here was not high enough to produce cell 

densities similar to those achieved in micromass cultures, thus limiting the potential 



 93 

benefits of a high seeding density. However, the similarities observed among the day 0 

samples may be an artifact of the number of cells that attached to the scaffold in 2 hr. It is 

possible that more cells attached to the scaffolds after the 2 hr pre-attachment period 

ultimately resulting in moderately different cell content following the complete 24 hr 

attachment period.  

The ECM distributions observed via histological staining suggest that there was a 

slight difference between the different seeding densities especially by day 21. In the 

safranin O stained sections (Figure 4.3 and Supplementary Figure 4.2), the 70K samples 

containing chondrocytes showed more intense staining at the surface and throughout than 

scaffolds seeded with the lower seeding density. Since the ultimate goal was to produce a 

polymer/ECM hybrid construct for implantation to direct cartilage regeneration, the lack 

of an appreciable advantage of seeding scaffolds with twice as many cells supports the 

conclusion that the more conservative, lower seeding density, was sufficient for 

producing these hybrid scaffolds.  

In most cases, the chondrocyte control samples produced more ECM than the 

MSC controls, confirming the original hypothesis that chondrocytes would prove to be 

more successful at generating ECM than undifferentiated MSCs. The only time point at 

which the chondrocyte controls did not generate significantly more collagen and GAGs 

than the MSC cultured constructs was day 7 for the lower seeding density. This indicates 

that chondrocytes secrete more ECM components than MSCs regardless of initial seeding 

density.  
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The implication that chondrocytes produce more ECM than MSCs is further 

supported by the histological images indicating more intense staining for GAG and 

collagen deposits within the four chondrocyte containing samples than in MSC controls. 

One possible reason that the four chondrocyte containing constructs exhibited better 

cellular infiltration and distribution of matrix than the MSC generated constructs is that 

chondrocytes are smaller than MSCs; 10-15 μm in diameter compared to 20-30 μm [210-

212]. Thus it is probable that the chondrocytes penetrated the scaffold through the 

interconnected pores more readily than the MSCs which remained primarily trapped at 

the surface of the scaffold.  

With respect to total ECM content as well as spatial distribution, chondrocyte 

containing cultures, including the 1:0 ratio chondrocyte controls and the three co-culture 

groups, resulted in more cartilage-like characteristics than constructs produced with 

MSCs alone. Based upon the 1:0 and 0:1 controls, it is possible that most of the ECM in 

the co-culture constructs was produced by the chondrocytes while much less matrix was 

deposited by the MSCs. This is consistent with the findings from previous micromass 

investigations which indicated that upon co-culture articular chondrocytes were 

responsible for matrix production as opposed to MSCs in co-cultures of adult human 

bone marrow mesenchymal stem cells with articular chondrocytes from both human and 

bovine sources [202, 204, 213].  

Among the co-culture constructs, a pronounced difference in cellularity or ECM 

content was never observed between the 1:3 and 1:5 co-culture groups, regardless of 

culture duration or initial seeding density. As the original objective was to produce a 

construct laden with cartilage-like ECM while reducing the number of chondrocytes 
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necessary to do so, these results suggest that ultimately constructs with 1:5 co-culture 

ratio and thus fewer chondrocytes might result in a similar ability to direct cartilage repair 

as constructs generated with 1:3 co-cultures.  

In contrast, the co-culture constructs with the highest percentage of chondrocytes, 

specifically 1:1, produced more ECM than the other two co-culture groups while DNA 

contents remained similar for all three groups. The improved ECM production by 1:1 co-

cultures over the other two co-culture groups was observed at both seeding densities for 

collagen content at days 14 and 21 as well as for GAG content at day 14. It is 

hypothesized that a greater amount of ECM deposited within the polymer scaffold would 

result in a scaffold more capable of directing tissue repair upon implantation since the 

cell generated ECM is the proposed bioactive signal for guiding chondrogenesis. This 

suggests that 1:1 co-cultures of chondrocytes to MSCs may be more successful at 

generating polymer/ECM capable of aiding cartilage repair than co-cultures with lower 

concentrations of chondrocytes. 

Maintaining the constructs produced using only chondrocytes as the benchmark to 

achieve, it is important to note the instances which approximate or surpass that standard. 

Looking at both GAG and collagen content as quantified by the biochemical assays, there 

was no significant difference between the 1:1 day 21 lower seeding density group and the 

chondrocyte generated controls. This approximation was also observed within safranin O 

and picro sirius red stained histological sections as well as in SEM images. This finding 

further supports the hypothesis that co-cultures, and specifically the 35K 1:1 group, may 

be the solution for providing sufficient ECM deposition within a scaffold while reducing 

the number of chondrocytes needed. In fact, previous efforts suggest that in co-cultures 
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MSCs elicit a stimulatory trophic effect on chondrocytes which leads to the observed 

improved chondrogenic phenotype as opposed to MSC differentiation [189, 202]. 

Possible mechanisms for this communication include paracrine signaling via secreted 

factors, as well as direct cell-cell contacts. To select the truly optimal culture ratio of 

MSCs to chondrocytes for the purpose of producing PCL/ECM scaffolds for cartilage 

regeneration, the effectiveness of the matrix produced must be analyzed for its potential 

to direct chondrogenesis. An analysis of the chondroinductive potential of this co-culture 

generated ECM will be the subject of Part 2 of these studies [9]. 

4.5. Conclusions 

Composite constructs composed of an electrospun polymeric fibrous scaffold 

coated with cartilage-like ECM were successfully generated using co-cultures of 

chondrocytes and MSCs. The goal of this study was to determine the optimal co-culture 

ratio that maximized cartilage-like ECM production while minimizing the required 

number of chondrocytes. ECM production by all co-culture groups significantly 

surpassed that observed in MSC only controls. Compared to chondrocyte only controls, 

all co-culture groups achieved similar GAG quantities. However, increasing 

concentrations of chondrocytes resulted in increased collagen contents within the 

scaffold, with a 1:1 chondrocyte to MSC ratio approximating the collagen production of 

chondrocytes alone. Histological staining demonstrated that cell and ECM distribution 

within co-culture constructs approximated the well-distributed patterns observed within 

chondrocyte generated constructs, and differed substantially from the surface-limited cell 

and matrix deposition observed in MSC only constructs. These findings highlight the 



 97 

potential of chondrocyte-MSC co-cultures as a promising method for producing 

composite polymer/ECM constructs while minimizing the number of chondrocytes 

required so to do.  
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Supplementary Figure 4.1 SEM of higer seeding density surface morphology. 

Scanning electron micrographs depicting the temporal progression of construct surface 

morphology for scaffolds seeded with 70,000 cells initially. Images depict constructs 

produced by culturing the following ratios of chondrocytes to MSCs: 1:0, 1:1, 1:3, 1:5, 

and 0:1 for 7, 14, and 21 days. 1,000x magnification. Scale bar in (a) indicates 50 μm and 

applies to all images. 
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Supplementary Figure 4.2 GAG localization on higher seeding density scaffolds. 

Safranin O stained histological sections of constructs cultured with all five culture ratios 

at 70,000 cells/scaffold initially for 7, 14, and 21 days. The seeded surface of the scaffold 

is shown at the top of the images.10x magnification. Scale bar in (a) indicates 100 μm 

and applies to all images. 
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Supplementary Figure 4.3 Collagen deposition on higher seeding density scaffolds. 

Picro sirius red stained histological sections of constructs cultured with all five culture 

ratios at 70,000 cells/scaffold initially for 7, 14, and 21 days. The seeded surface of the 

scaffold is shown at the top of the images. 10x magnification. Scale bar in (a) indicates 

100 μm and applies to all images. 
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Supplementary Figure 4.4 Cellular localization on higher seeding density scaffolds. 

Nuclear fast red stained histological sections of constructs cultured with all five culture 

ratios at 70,000 cells/scaffold initially for 7, 14, and 21 days. The seeded surface of the 

scaffold is shown at the top of the images. 10x magnification. Scale bar in (a) depicts 100 

μm and applies to all images. 
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Chapter 5 

Cell Derived Polymer/Extracellular Matrix 

Composite Scaffolds for Cartilage 

Regeneration, Part 2: Construct 

Devitalization and Determination of 

Chondroinductive Capacity 
4
 

Abstract: This work examined the chondrogenic potential of chondrocyte and 

mesenchymal stem cell (MSC) co-culture generated poly(ε-caprolactone) 

(PCL)/extracellular matrix (ECM) hybrid scaffolds. Five different ratios of chondrocytes 

and MSCs were co-cultured to generate cartilage-like ECM within electrospun fibrous 

scaffolds for 7, 14, and 21 days. These constructs were then devitalized to isolate the 

chondrogenic effects of the ECM alone. Devitalization was successful at removing 

                                                 

 

4
 This chapter has been submitted for publication as: Levorson EJ, Hu O, Mountziaris 

PM, Kasper FK, Mikos AG. Cell Derived Polymer/Extracellular Matrix 

Composite Scaffolds for Cartilage Regeneration, Part 2: Construct Devitalization 

and Determination of Chondroinductive Capacity. Tissue Eng Part C Methods, 

submitted May 2013. 
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cellular matter from the scaffolds yet did reduce the amount of matrix present in the 

scaffolds. Following devitalization, the PCL/ECM scaffolds were then cultured with 

MSCs in serum-free conditions with or without TGF-β3 treatment for 21 days. TGF-β3 

supplemented culture caused an induction of chondrogenesis in each scaffold type but 

also somewhat masked the subtle differences of the different ECM coatings. Without 

TGF-β3, cartilaginous matrix generated by 1:1 co-cultures of chondrocytes to MSCs for 

14 days supported similar chondrogenic gene expression patterns of MSCs cultured on 

scaffolds generated by chondrocytes alone. These scaffold formulations had a positive 

chondrogenic effect on aggrecan, collagen type II, and collagen II/I expression when 

compared to PCL controls. This study demonstrates that it is possible to utilize co-

cultures of chondrocytes and MSCs to coat a polymer scaffold with cartilage-like ECM 

capable of supporting chondrogenic differentiation of MSCs. 

5.1. Introduction  

Articular cartilage presents a particular challenge due to its limited capacity for 

intrinsic repair rendering it an appropriate target for regenerative therapies. Optimal 

tissue engineering scaffolds are designed to not only provide the structure to support 

tissue growth, but also the biological signals necessary to recruit and direct cells in order 

to actively promote tissue regeneration [7]. The function of cartilage is highly dependent 

on the composition of its dense and abundant extracellular matrix (ECM). Various studies 

have shown that the prevalent cartilage ECM components, glycosaminoglycans (GAGs) 

and collagen, can stimulate stem cell chondrogenic differentiation [3-5]. Thus it follows 

that a scaffold composed of cartilage-like ECM may be beneficial for the direction of 
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chondrogenesis in stem cells. Previous approaches have investigated the use of scaffolds 

formed from isolated ECM components, such as collagen or hyaluronic acid, 

decellularized native tissue, as well as materials engineered specifically to release growth 

factors or gene delivery vectors as scaffolds for cartilage tissue engineering [168, 172, 

214-221]. While scaffolds formed completely of ECM components have the benefit of 

incorporating ligands for cell-matrix signaling, natural proteins generally have 

insufficient mechanical strength and poorly controlled degradation rates hindering their 

capacity to provide structural support during tissue regeneration [222]. This work 

presents a possible solution, which is to fabricate a hybrid scaffold composed of a 

synthetic polymer for structural support coated with ECM to provide the biological cues 

necessary to direct chondrogenesis and tissue regeneration.  

Polymer/ECM composite scaffolds represent a relatively new direction in 

cartilage tissue engineering. An added benefit of generating polymer/ECM hybrid 

scaffolds using cell cultures is that in addition to ECM proteins, growth factors and other 

morphogens may also be deposited within the composite scaffold [173, 174], and 

subsequently contribute to cartilage regeneration upon implantation in vivo. A previous 

study demonstrated that polymer/ECM composite scaffolds generated by perfused 

cultures of chondrocytes on electrospun poly(ε-caprolactone) (PCL) had the potential to 

direct the chondrogenesis of mesenchymal stem cells (MSCs) subsequently seeded on the 

constructs [6]. Although chondrocytes produce ample amounts of cartilage-like ECM, 

their application as a primary cell source for cartilage tissue engineering strategies is 

complicated by their scarcity in native cartilage tissue, as well as their tendency to 

dedifferentiate upon in vitro expansion [179, 180]. The limitations of chondrocytes as a 
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cell source have motivated recent studies on co-cultures of chondrocytes with MSCs, 

which have been shown to be a viable option for reducing the numbers of chondrocytes 

necessary for producing cartilage-like ECM within a polymer scaffold [10, 189, 190, 

223].  

Using PCL/ECM constructs produced by co-cultures of MSCs and chondrocytes 

recently described by our group [10], this study investigates the potential of 

decellularized PCL/ECM hybrid scaffolds with varying ECM maturities to direct 

chondrogenesis. Since our initial studies of these PCL/ECM composite scaffolds showed 

a culture duration-dependent increase in ECM content [10], we hypothesized that more 

mature ECM would result in scaffolds with greater amounts of cartilage-like ECM 

remaining after devitalization as compared to less mature ECM. This was assessed by 

first devitalizing co-culture generated PCL/ECM constructs using a freeze-thaw method, 

and then analyzing the resulting acellular PCL/ECM scaffolds for DNA and ECM 

contents as well as spatial distributions of ECM components.  

After examining the effects of devitalization on the scaffold composition, we 

additionally hypothesized that cartilage-like ECM deposited on the PCL scaffolds, either 

by chondrocytes or co-cultures of chondrocytes and MSCs, would be chondroinductive in 

nature. To test this hypothesis, following devitalization, PCL/ECM scaffolds were 

reseeded with MSCs and cultured in serum-free conditions with or without TGF-β3 

supplements for 21 days. The gene expression of the MSCs cultured on the PCL/ECM 

scaffolds was then analyzed using real-time reverse transcription polymerase chain 

reaction (rtPCR) focusing on specific chondrogenic markers to determine the 
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chondroinductive capacity of the various ECM formulations that had been deposited on 

the scaffolds.  

5.2. Materials and Methods 

5.2.1. Experimental design 

 

Figure 5.1 Experimental design schematic.  

PCL/ECM composite scaffolds were generated by co-culturing chondrocytes and MSCs. 

The PCL/ECM constructs were then devitalized by freeze-thaw, reseeded with fresh 

rabbit MSCs, and cultured for 21 days either in the presence or absence of TGF-β3. 

 

This study utilized a full factorial design with three factors: (1) co-culture ratio for 

PCL/ECM composite scaffold generation (with 5 levels), (2) ECM maturity (with 3 

levels), and (3) presence of TGF-β3 (with 2 levels). As depicted schematically in Figure 

5.1, PCL/ECM composite scaffolds were generated by co-culturing chondrocytes and 

MSCs. Two of the three factors were varied during PCL/ECM scaffold production, 

specifically co-culture ratio and ECM maturity. Five co-culture ratios of chondrocytes to 

MSCs were used: 1:0, 1:1, 1:3, 1:5, and 0:1. The constructs were cultured for 7, 14, or 21 

days, yielding PCL/ECM composite scaffolds containing ECM of varying maturities. The 

resulting 15 different scaffold formulations were devitalized, reseeded with fresh rabbit 

MSCs, and cultured for 21 days either in the presence or absence of TGF-β3.  
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5.2.2. Electrospinning  

Nonwoven microfibrous PCL scaffolds (3 mm diameter discs) were die-cut from 

electrospun PCL meshes fabricated by electrospinning methods described previously 

[10]. As in the previous study, scaffolds composed of fibers with an average diameter of 

8.5 μm were used. 

5.2.3. Cell isolation, expansion, and PCL/ECM construct generation 

Bovine chondrocytes and rabbit MSCs were isolated and expanded using 

previously outlined methods [10]. PCL/ECM constructs were then generated by co-

culturing chondrocytes and MSCs in five different ratios, at an initial total seeding 

density of 35,000 cells/scaffold, on electrospun PCL microfibrous scaffolds (thickness= 1 

mm; Ø= 3 mm) for 7, 14, or 21 days of culture in chondrocyte growth medium composed 

of DMEM, 10% FBS, 10 mM HEPES buffer (Gibco, Grand Island, NY), 1% non-

essential amino acids (Gibco, Grand Island, NY), 0.28 mM ascorbic acid (Sigma, St 

Louis, MO), 0.4 mM L-proline (Sigma, St Louis, MO), and 1% penicillin-streptomycin-

fungizone (Gibco, Grand Island, NY) using established methods [10] to achieve 

constructs with varying ECM maturities, as described in the Experimental Design. 

5.2.4. PCL/ECM construct devitalization 

At the completion of all three predetermined culture durations, PCL/ECM 

constructs were rinsed with PBS then flash frozen in sterile ddH2O using liquid nitrogen 

for 10 min. Following freezing, constructs were subsequently thawed in a 37°C water 

bath for 10 min. This sequence of freeze/thaw was repeated 3 times. Following the third 
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and final thaw stage, constructs were sonicated for 10 min and then rinsed with fresh 

sterile ddH2O to facilitate the removal of cellular debris. The resulting devitalized 

PCL/ECM (dPCL/ECM) scaffolds were then air dried under laminar flow in a biosafety 

cabinet overnight. Following drying, the dPCL/ECM scaffolds were either prepared for 

biochemical and histological analysis or loaded into seeding cassettes, ethylene oxide 

sterilized, and stored at -20°C before characterization by the chondrogenic induction 

assay. 

5.2.5. Biochemical assays 

For each dPCL/ECM formulation at the 3 ECM maturities (n = 4), 2 scaffolds 

were pooled For each day 7, 14, and 21 dPCL/ECM sample (n = 4) 2 scaffolds were 

pooled in 500 μL proteinase K solution consisting of: 1 mg/mL proteinase K (Sigma, St 

Louis, MO), 185 μg/mL iodacetamide (Sigma, St Louis, MO), and 10 μg/mL pepstatin A 

(Sigma, St Louis, MO) dissolved in aqueous Tris/EDTA buffer, which contained 6.055 

mg/mL tris(hydroxymethyl aminomethane) (Sigma, St Louis, MO),) and 372 μg/mL 

EDTA at pH 7.6. Samples were digested for 16 hr at 56°C. The digested components of 

each biochemical sample were then further disrupted by 3 freeze/thaw/sonicate cycles (10 

min each step). From the resulting proteinase K lysates, DNA, GAG, and collagen 

contents were quantified, respectively, using established PicoGreen, 1,9-

dimethymethylene blue, and hydroxyproline assay protocols described previously [10]. 

5.2.6. Histology  

Histological staining was used to visualize the distribution of cells, GAGs, and 

collagen throughout the dPCL/ECM scaffolds. Days 7,14, and 21 dPCL/ECM scaffolds 
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(n = 2) were prepared for histological analysis by formalin fixation, dehydration using an 

ascending ethanol gradient, and submersion in HistoPrep frozen tissue embedding media 

(Fisher, Fair Lawn, NJ), as detailed elsewhere [10]. From each frozen block, 8 μm thick 

sections were cut using a cryotome (CM1850, Leica Microsystems, Bannockburn, IL), 

mounted on glass Superfrost Plus microscope slides (VWR, Batavia, IL), and incubated 

at 45°C on a slide warmer for at least 7 days to ensure adhesion. Slides were 

subsequently stained with nuclear fast red, safranin O, and picro sirius red using 

previously described methods [10, 199].  

5.2.7. Chondrogenic induction assay 

The capacity of co-culture generated dPCL/ECM scaffolds to induce 

chondrogenesis was evaluated by adapting an established cell culture based 

chondroinductive assay [6]. Plain PCL scaffolds without ECM were used as a control. 

The day prior to MSC seeding, untreated PCL scaffolds were pre-wet using a decreasing 

ethanol gradient (100% - 35%), rinsed with PBS, and incubated in PBS overnight at 

37°C. 

Before cell seeding, dPCL/ECM scaffolds with three different ECM maturities 

(day 7, 14, and 21) were warmed from -20
o
C to ambient temperature. Next, plain PCL 

and dPCL/ECM scaffolds were incubated for 4 hr with general media containing DMEM, 

10% fetal bovine serum, and 1% penicillin-streptomycin-fungizone (Gibco, Carlsbad, 

CA). All scaffolds had been press-fit into sterile polycarbonate seeding cassettes (inner 

diameter = 2.94 mm, height = 9.09 mm) and gas sterilized prior to this point. Passage 3 

rabbit MSCs were then trypsinized and seeded onto the scaffolds at a density of 35,000 
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cells/scaffold. Seeded scaffolds were incubated at 37°C for a 2 hr pre-attachment period, 

and then additional serum-free chondrogenic medium (DMEM, 1% ITS+ premix (BD 

Biosciences, Bedford, MA), 10
−7

 M dexamethasone (Sigma, St Louis, MO), 50 mg/L 

ascorbic acid (Sigma, St Louis, MO), 1 mM sodium pyruvate (Sigma, St Louis, MO), and 

1% penicillin-streptomycin-fungizone (Gibco, Carlsbad, CA)) was added to the wells. 

The scaffolds were then cultured within the seeding cassettes for 24 hr to allow for cell 

attachment.  

After the 24 hr attachment period, scaffolds were removed from the seeding 

cassettes using aseptic technique and placed in ultra-low attachment 24 well plates 

(Costar, St Louis, MO). To ensure complete scaffold immersion within the small volume 

of culture media to be added to each well, scaffolds were pressed into sterile stainless 

steel rings approximately 0.5 mm thick with a 2.9 mm inner diameter. Scaffolds were 

cultured with 650 μL serum-free chondrogenic medium/well with or without10 ng/mL 

TGF-β3 (PeproTech, Rocky Hill, NJ) with media changes every 3 days for 21 days. After 

21 days, the scaffolds were rinsed with PBS and prepared for gene expression analysis by 

rtPCR.  

5.2.8. Real-time reverse transcription polymerase chain reaction 

Following cell culture, samples were prepared for rtPCR by pooling two minced 

scaffolds in 600 μL RLT lysis buffer (Qiagen, Valencia, CA) and storing at -20°C. 

Following lysis, the samples were first homogenized using a QIAshredder column 

(Qiagen, Valencia, CA). Subsequently, 600 μL of 70% ethanol was then added to the 

homogenized lysate. Total RNA was isolated and purified from the lysate using the 
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RNeasy mini kit (Qiagen, Valencia, CA) using the manufacturer suggested protocol for 

isolation of RNA from animal cells. The protocol was modified slightly by adding 2 

further RW1 washes (350 μL each, Qiagen, Valencia, CA) and an extra wash with 500 

μL 70% ethanol after the final RPE rinse to improve the purity of the isolate, as described 

previously [6, 93]. Complimentary DNA (cDNA) was then synthesized using 11 μL of 

the isolated RNA using SuperScript III reverse transcriptase (Invitrogen, Carlsbad, CA) 

together with Oligo(dT) primers (Promega, San Luis Obispo, CA). The synthesized 

cDNA was then analyzed by rtPCR (Applied Biosystems 7300 Real-Time PCR System, 

Foster City, CA) with primers for collagen types I and II, aggrecan, and the housekeeping 

gene glyceraldehyde 3-phosphate dehydrogenase (GAPDH). Primer sequences are listed 

in Table 5.1. Amplification and detection of the PCR product was achieved using 

Perfecta SYBR FastMix (Quanta BioSciences, Gaithersburg, MD). The results of rtPCR 

were analyzed using the 2
−ΔΔCt

 method [224]. In this way, the presented results were first 

normalized to the housekeeping gene, GAPDH, then converted to a fold change in the 

target gene expression over the initial expression of the reseeded MSCs at day 0. The 

ratio of collagen type II to I was calculated for each individual sample by dividing the 

collagen type II expression by the collagen type I expression for which the mean and 

standard deviations were calculated and presented herein. 

5.2.9. Statistical analysis 

Biochemical assay results are displayed as the means ± standard deviation for 

(n=4) samples. For DNA, GAG, and collagen data, a three way ANOVA was performed 

to determine the effects of co-culture ratio, ECM maturity, and devitalization. If the 

ANOVA showed significant differences, then a Tukey’s honestly significant difference 
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test was utilized to perform multiple comparisons post-hoc. To analyze rtPCR data, the 

Kruskal-Wallis test was utilized followed by the Mann-Whitney U test for multiple 

comparisons where appropriate. For statistical analyses, differences were considered 

significant if p < 0.05. 

Table 5.1 rtPCR primers 

Target genes for rtPCR gene expression analysis and the primer sequences utilized. 

Target Gene Primer Sequence 

Aggrecan 
5’- GCTACGGAGACAAGGATGAGTTC -3’ 

5’- CGTAAAAGACCTCACCCTCCAT -3’ 

Collagen type I 
5’- CCCAGAATGGAGCAGTGGTTACT -3’ 

5’- AGCAGACGCATGAAGGCAAG -3’ 

Collagen type II 
5’- AACACTGCCAACGTCCAGAT -3’ 

5’- CTGCAGCACGGTATAGGTGA -3’ 

GAPDH 
5’- TCACCATCTTCCAGGAGCGA -3' 

5’- CACAATGCCGAAGTGGTCGT -3’ 

 

5.3. Results 

5.3.1.  Cell and ECM distribution in devitalized constructs 

Safranin O histological staining to examine GAG localization is shown in Figure 

5.2. The most intense GAG staining occurred in day 21 chondrocyte-only (1:0) generated 

scaffolds. GAG deposition shows a decreasing trend as the original concentration of 

chondrocytes decreased from 1:1 to 0:1. As shown in Figure 5.2o, there was limited 

staining for GAGs within MSC-only generated dPCL/ECM scaffolds. Comparison of 

these findings to previously presented safranin O staining of cellular PCL/ECM scaffolds 

[10], which correspond to the dPCL/ECM scaffolds prior to devitalization, indicates that 

devitalization resulted in a marked reduction in GAG content. Although dPCL/ECM 

scaffolds had reduced GAG content, GAG distribution was unaffected by devitalization 



 113 

and correlates to those previously observed in the cellular PCL/ECM constructs [10]. 

Specifically, there was an increase in staining for GAGs with an increase in ECM 

maturity as determined by initial culture duration. 

Picro sirius red staining on the dPCL/ECM scaffolds, shown in Figure 5.3, 

mimicked the intensity and localization patterns observed in the safranin O stained 

sections in Figure 5.2. Furthermore, the staining patterns exhibited in Figure 5.3 mirror 

the staining localizations observed in the constructs prior to freeze-thaw [10], except that 

the dPCL/ECM scaffolds exhibited less intense staining for collagen than the PCL/ECM 

constructs prior to devitalization processing. Based on ECM localization as determined 

by staining for GAGs and collagen (Figures 5.2 and 5.3), of the co-culture generated 

groups the 1:1 co-cultured scaffolds most closely approximated the dPCL/ECM of the 

chondrocyte control group, 1:0. 

As shown in Figure 5.4, which depicts nuclear fast red staining of the dPCL/ECM 

scaffolds and depicts localization of cellular nuclei within the dPCL/ECM scaffolds, there 

was minimal nuclear fast red staining visible within the devitalized scaffolds. For the 

most part, any faint nuclear fast red stain was present near the surface of the scaffold, 

where safranin O and picro sirius red staining were most dense, indicating the presence of 

a dense coating of ECM. Compared to the cellular PCL/ECM constructs examined 

previously [10], there was significantly less staining for cellular components throughout 

all five dPCL/ECM scaffold groups at all three ECM maturity levels.  
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Figure 5.2 GAG deposits on dPCL/ECM scaffolds. 

Images indicate the spatial arrangement of GAGs within the devitalized scaffolds. The 

images displayed here represent scaffolds generated with the following chondrocyte to 

MSC ratios: 1:0, 1:1, 1:3, 1:5, and 0:1. ECM was deposited for 7, 14, or 21 days prior to 

freeze-thaw devitalization. 10x magnification. Scale bar in (a) indicates 100 μm and 

applies to all images. 
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Figure 5.3 Collagen localization on dPCL/ECM scaffolds. 

Picro sirius red stained sections of devitalized PCL/ECM scaffolds indicating the 

inclusion of collagen within the acellular scaffolds. The images displayed here represent 

scaffolds generated with the following chondrocyte to MSC ratios: 1:0, 1:1, 1:3, 1:5, and 

0:1. ECM was deposited for 7, 14, and 21 days prior to freeze-thaw devitalization. 10x 

magnification. Scale bar in (a) indicates 100 μm and applies to all images. 
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Figure 5.4 Cellular localization within dPCL/ECM scaffolds. 

Nuclear fast red stained sections of devitalized PCL/ECM scaffolds indicating the 

location of remaining cell nuclei within the devitalized scaffolds. The images displayed 

here represent scaffolds generated with the following chondrocyte to MSC ratios: 1:0, 

1:1, 1:3, 1:5, and 0:1. ECM was deposited for 7, 14, and 21 days prior to freeze-thaw 

devitalization. 10x magnification. Scale bar in (a) indicates 100 μm and applies to all 

images. 
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5.3.2. DNA and ECM content of devitalized constructs 

Table 5.2 Key to statistical significance symbols in Figures 5.5-5.7. 

Symbol Meaning 

‡ 
Statistically significant difference (p < 0.05) from culture ratio 1:0 at 

this particular time point. 

* 
Statistically significant difference (p < 0.05) from culture ratio 0:1 at 

this time point. 

+ 
Statistically significant difference (p < 0.05) between cellular and 

acellular samples at this culture ratio and time point. 

# 
Statistically significant difference (p < 0.05) between different co-

culture ratios within a cellularity state and time point. 

 

Figure 5.5 depicts the DNA content of the various PCL/ECM composite scaffolds 

prior to and following devitalization. Upon freeze-thaw there was a significant decrease 

in DNA content within the scaffolds for all cell ratios at each time point except 0:1 day 7 

(Figure 5.5 “+”). Large decreases in scaffold DNA content were observed regardless of 

the initial DNA content prior to freeze-thaw. This indicated that the freeze-thaw 

devitalization process was effective at decellularizing the scaffolds, resulting in a 

primarily acellular product. None of the devitalized scaffolds differed significantly in 

terms of DNA content for any of the three ECM maturities investigated.  
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Figure 5.5 DNA content before and after devitalization. 

PCL/ECM scaffolds were generated for 7, 14, or 21 days of culture with five different 

chondrocyte to MSC ratios. The DNA content for cellular PCL/ECM constructs 

originally appeared as data represented by the 35,000 cells/scaffold seeding density in 

Figure 6 of Levorson, et al, 2013 [10]. Data are presented as mean ± standard deviation 

for (n=4). Symbols indicating statistical significance are defined in Table 5.2 (p < 0.05). 

 

As was seen with DNA content within the scaffolds, upon freeze-thaw 

devitalization, the GAG content of the dPCL/ECM scaffolds decreased significantly for 

scaffolds generated by each co-culture ratio as compared to the cellular PCL/ECM 

constructs (Figure 5.6 “+”). This significant decrease in GAG content following freeze-

thaw processing was observed for all three of the ECM maturities investigated. Among 

the dPCL/ECM scaffolds, significant differences in GAG content were only observed for 

the most mature (Day 21) ECM. Specifically, 1:1 d21 dPCL/ECM scaffolds contained 

significantly more GAGs than MSC-only PCL/ECM controls (Figure 5.6 “*”).  
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Figure 5.6 GAG content before and after devitalization. 

PCL/ECM scaffolds were generated for 7, 14, or 21 days of culture with five different 

chondrocyte to MSC ratios. The GAG content for cellular PCL/ECM constructs 

originally appeared as data represented by the 35,000 cells/scaffold seeding density in 

Figure 6 of Levorson, et al, 2013 [10]. Data are presented as mean ± standard deviation 

for (n=4). Symbols indicating statistical significance are defined in Table 5.2 (p < 0.05). 

 

Figure 5.7 depicts the collagen content of PCL/ECM constructs both prior to and 

following devitalization. For the most mature ECM, developed for 21 days of culture, 

there was a significant decrease in collagen content observed upon devitalization of all 

four chondrocyte-containing groups (Figure 5.7 “+”). Significant decreases in collagen 

content after freeze-thaw were also observed for the day 14 1:0 and 1:1 ratio groups 

(Figure 5.7 “+”). For the later ECM maturity level (day 21), dPCL/ECM scaffolds 

originally formed by cell ratios 1:0 and 1:1 resulted in higher collagen concentrations 

than scaffolds produced by MSCs alone (Figure 5.7 “*”). The collagen contents of day 7 

dPCL/ECM scaffolds and all 0:1 constructs were below the threshold of the assay. 

However, slight staining for picro sirius red on samples from these groups (Figure 5.3) 

indicated the presence of some collagen within these scaffolds, albeit minimal amounts. 
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Figure 5.7 Collagen content before and after devitalization. 

PCL/ECM scaffolds were generated for 7, 14, or 21 days of culture with five different 

chondrocyte to MSC ratios. The collagen content for cellular PCL/ECM constructs 

originally appeared as data represented by the 35,000 cells/scaffold seeding density in 

Figure 6 of Levorson, et al, 2013 [10]. Data are presented as mean ± standard deviation 

for (n=4). Symbols indicating statistical significance are defined in Table 5.2 (p < 0.05). 

 

5.3.3. Chondrogenic induction potential of PCL/ECM 

In addition to collagen type II, the expression of the proteoglycan aggrecan is one 

of the most commonly used markers of chondrogenesis and the articular chondrocyte 

phenotype (Figure 5.8). A decrease in aggrecan expression was observed in MSCs 

cultured on plain PCL control scaffolds without TGF-β3 (“PCL-”) over the 21 day 

period. In the absence of TGF-β3, cell generated ECM within PCL scaffolds led to 

improved expression of aggrecan over the PCL controls (“PCL-”) for all five dPCL/ECM 

scaffold formulations when the ECM was relatively immature (Figure 5.8a “x”). In 

contrast, when reseeded MSCs on dPCL/ECM scaffolds were treated with TGF-β3, the 

only significant differences from the PCL control (“PCL+”) were the result of a lower 

aggrecan signal from the dPCL/ECM scaffold groups. Taking into consideration all ECM 
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maturities investigated, in the presence of TGF-β3, the 1:1 co-culture group was the only 

scaffold formulation that never differed significantly from the PCL+ control.  

Table 5.3 Key to statistical significance symbols in Figures 5.8-5.11. 

Symbol Meaning  

‡ 
Statistically significant difference (p < 0.05) from 1:0 PCL/ECM for 

this particular ECM maturity and either absence or presence of TGF-β3 

treatment. 

* 
Statistically significant difference (p < 0.05) from culture ratio 0:1 

PCL/ECM for this particular ECM maturity and TGF-β3 treatment.  

^ Statistically significant difference (p < 0.05) due to TGF-β3 treatment.  

+ Statistically significant difference (p < 0.05) due to ECM maturity.  

# 
 Statistically significant difference (p < 0.05) between different co-

culture ratios for this particular ECM maturity and TGF-β3 treatment.  

x Significant difference (p < 0.05) from plain PCL control.  

 

We hypothesized that dPCL/ECM scaffolds produced by culturing chondrocytes 

alone, which contained more cartilage-like ECM before and after devitalization (Figures 

5.6 and 5.7), would be the most successful at inducing chondrogenesis. For this reason, 

the aggrecan gene expression of MSCs reseeded on the four other dPCL/ECM scaffolds 

were compared to that of the MSCs reseeded on the 1:0 scaffold group. Only the MSCs 

on the 1:3+ d7 and 1:3- d14 scaffolds produced greater aggrecan signals than the 

corresponding 1:0 scaffolds (Figure 5.8 “‡”). MSCs cultured on the other dPCL/ECM 

scaffolds had similar aggrecan expression levels as the corresponding 1:0 scaffolds 

except for groups 1:1- d7, 1:5+ d7, and 1:3- d21 which resulted in significantly lower 

aggrecan signals.  
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Figure 5.8 Aggrecan expression of MSCs on dPCL/ECM scaffolds 

Relative gene expression of aggrecan expressed by MSCs seeded on devitalized 

PCL/ECM scaffolds. dPCL/ECM scaffolds cultured in serum-free conditions (a) without 

growth factor supplements (-) and (b) with TGF-β3 (+). Culture duration was 21 days for 

all groups. Numeric ratios represent the ratio of chondrocytes to MSCs used to generate 

the ECM coating the scaffold, while d7, d14, and d21 distinguish the three ECM 

maturities evaluated. Fold ratios are presented as mean ± standard deviation (n=4).  

Symbols describing statistical significance are defined in Table 5.3 (p < 0.05). 

 

Comparing the dPCL/ECM scaffolds produced with chondrocytes and 

chondrocyte containing co-cultures to the MSC generated (0:1) dPCL/ECM scaffolds, 

more differences in aggrecan expression were observed in groups without growth factor 

treatment. For both the least and most mature ECM (d7 and d21), chondrocyte-only 
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derived (1:0-) scaffolds resulted in significantly higher aggrecan expression compared to 

the MSC-only derived (0:1-) samples (Figure 5.8a “*”). In contrast, the 1:0- and 1:5- 

constructs had lower aggrecan signals than 0:1- scaffolds with d14 ECM. ECM maturity 

had some effect on aggrecan expression. For the 1:0- and 1:3- groups, aggrecan 

expression was significantly different amongst the various ECM maturity levels (Figure 

5.8a “+”). Within the 1:5+ scaffolds, aggrecan expression was found to increase steadily 

with increasing ECM maturity. Conversely, the 1:1 PCL/ECM scaffolds did not display a 

significant maturity dependent change in aggrecan expression for either TGF-β3 

treatment group. 

As the most abundant ECM component present within articular cartilage, 

increased collagen type II expression was used as a major indicator of chondrogenesis 

and maintenance of the chondrocytic phenotype (Figure 5.9). In general, MSCs cultured 

on each of the dPCL/ECM scaffold formulations displayed increases in collagen II 

expression during the 21 days of culture both with and without growth factor 

administration. The only instance in which a decrease in collagen II expression occurred 

was in MSCs seeded on PCL controls and cultured without TGF-β3 (PCL-). Although 

not always significantly different, in the absence of TGF-β3, MSCs cultured on 

dPCL/ECM scaffolds expressed higher collagen II levels than PCL controls regardless of 

the cell types used to generate the ECM. Compared to the PCL- control, most 

dPCL/ECM scaffold types with the intermediate (d14) and most mature (d21) ECM 

exhibited significant increases in collagen II expression when cultured without TGF-β3, 

with the only exception being the 1:0- d14 scaffolds (Figure 5.9a “x”). For the least 

mature (d7) dPCL/ECM, only groups 1:0-, 1:1-, and 0:1- had significantly higher 
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collagen II expression levels than the PCL- control. In contrast, when cultured with TGF-

β3 supplemented medium none of the dPCL/ECM groups had significantly higher 

collagen II signals than MSCs on the corresponding plain PCL+ controls. 

In the absence of supplemental growth factor, collagen II expression amongst the 

various groups was generally similar to that of the dPCL/ECM scaffolds produced by 

chondrocytes alone (1:0-). The exceptions being groups 1:5- d21 and 1:1- d7 (Figure 5.9a 

“‡”). With the addition of TGF-β3, more of the d7 and d14 dPCL/ECM scaffolds 

generated via co-culture resulted in higher collagen II levels than the corresponding 1:0+ 

scaffolds (Figure 5.9b “‡”). For d21 ECM, no differences in collagen II expression levels 

were noted compared to MCSs cultured on 1:0+ dPCL/ECM. Similarly, most scaffolds 

led to similar collagen II levels as cells grown on MSC generated dPCL/ECM scaffolds 

with and without TGF-β3 supplementation. However, the 1:5 d21 dPCL/ECM scaffolds 

had higher collagen II expression levels than 0:1 dPCL/ECM regardless of growth factor 

treatment (Figure 5.9 “*”).  

Differences due to ECM maturity were noted within the 1:0+, 1:1-, 1:3-, and 1:5- 

dPCL/ECM scaffolds. Specifically within these scaffold types, the scaffolds cultured 

without growth factors showed an increase in collagen II signal with increasing ECM 

maturity from d7 to d14 or d21. In contrast, in the presence of TGF-β3, the collagen II 

expression of MSCs cultured on 1:0+ dPCL/ECM decreased as ECM maturity increased 

from d7 to d14 (Figure 5.9 “+”).  
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Figure 5.9 Collagen type II expression of MSCs on dPCL/ECM scaffolds 

Relative gene expression of collagen II expressed by MSCs seeded on devitalized 

PCL/ECM scaffolds. dPCL/ECM scaffolds cultured in serum-free conditions (a) without 

growth factor supplements (-) and (b) with TGF-β3 (+). Culture duration was 21 days for 

all groups. Numeric ratios represent the ratio of chondrocytes to MSCs used to generate 

the ECM coating the scaffold, while d7, d14, and d21 distinguish the three ECM 

maturities evaluated. Fold ratios are presented as mean ± standard deviation (n=4). 

Symbols describing statistical significance are defined in Table 5.3 (p < 0.05). 

 

Collagen type I expression within the constructs was quantified (Figure 5.10) with 

the goal of minimizing expression levels. The MSCs cultured on dPCL/ECM scaffolds 

with and without additional growth factors generally exhibited a moderate increase in 

collagen I expression, shown by fold increases greater than 1, similar to the level seen for 

MSCs cultured on PCL controls. Only two scaffold formulations resulted in a decrease in 



 126 

collagen I expression compared to the corresponding PCL control, the 1:0- d14 group and 

the 1:5+ d14 group (Figure 5.10 “x”). Within the unsupplemented day 14 dPCL/ECM 

scaffolds, all of the groups except the 1:5- constructs resulted in significantly higher 

collagen I expression than the 1:0- scaffolds of the same maturity (Figure 5.10a “‡”). 

TGF-β3 supplements during MSC culture on the dPCL/ECM scaffolds showed a minimal 

effect on collagen I expression. Specifically, only for the 1:5+ group at the later ECM 

maturity state there was a significant increase from the corresponding 1:0+ group. 

Additionally, of the growth factor supplemented cultures on dPCL/ECM scaffolds only 

the d14 1:5+ group exhibited a significant difference in collagen type I expression 

compared to the PCL controls. 

While native articular cartilage is primarily composed of collagen type II and 

GAGs, some collagen type I is also present although in a relatively lower concentration 

than collagen type II. For this reason, we hypothesized that the successful induction of 

MSCs towards the chondrogenic lineage for articular cartilage regeneration would result 

in a higher ratio of collagen II to collagen I expression (Figure 5.11). When cultured in 

the absence of additional growth factors, the dPCL/ECM scaffolds generally showed 

higher collagen II/I ratios than the corresponding PCL- control except for the 1:3- group 

at all ECM maturity levels, as well as the 1:5- d7 and 0:1- d14 groups (Figure 5.11a “x”). 

In contrast, the inclusion of growth factors led to lower collagen II/I expression ratios 

than the PCL+ control for some dPCL/ECM groups. 
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Figure 5.10 Collagen type I expression of MSCs on dPCL/ECM scaffolds 

Relative gene expression of collagen I expressed by MSCs seeded on devitalized 

PCL/ECM scaffolds. dPCL/ECM scaffolds cultured in serum-free conditions (a) without 

growth factor supplements (-) and (b) with TGF-β3 (+). Culture duration was 21 days for 

all groups. Numeric ratios represent the ratio of chondrocytes to MSCs used to generate 

the ECM coating the scaffold, while d7, d14, and d21 distinguish the three ECM 

maturities evaluated. Fold ratios are presented as mean ± standard deviation (n=4).  

Symbols describing statistical significance are defined in Table 5.3 (p < 0.05). 
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Figure 5.11 Ratio of collagen II/I expression of MSCs on dPCL/ECM scaffolds 

Ratio of relative gene expression of collagen type II to collagen type I as expressed by 

MSCs seeded on devitalized PCL/ECM scaffolds. PCL/ECM scaffolds cultured in serum-

free conditions (a) without growth factor supplements (-) and (b) with TGF-β3 (+). 

Culture duration was 21 days for all groups. Numeric ratios represent the ratio of 

chondrocytes to MSCs used to generate the ECM coating the scaffold, while d7, d14, and 

d21 distinguish the three ECM maturities evaluated. Ratios are presented as mean ± 

standard deviation (n=4).  Symbols describing statistical significance are defined in Table 

5.3 (p < 0.05). 

 

The chondrocyte generated 1:0- and 1:0+ dPCL/ECM scaffolds approximated the 

collagen II/I ratios of the other groups except for scaffolds 1:3- d7 and d14 which had 

significantly lower expression ratios (Figure 5.11 “‡”). Comparing the co-culture 

generated dPCL/ECM groups that did not receive TGF-β3, there were significant 
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differences in collagen II/I expression between 1:1- and 1:3- groups for d7 and d14 ECM 

maturities, with the 1:1- groups displaying the higher collagen II/I ratios (Figure 5.11 

“#”). For the most mature ECM state studied, the 1:1 and 1:5 groups differed 

significantly, with the 1:5 cultured scaffolds having higher collagen II/I expression levels 

than the 1:1 group both with and without TGF-β3 treatment. 

Significant effects due to ECM maturity were seen in the 1:3+, 1:1-, and 1:0- 

scaffolds. For the dPCL/ECM scaffolds 1:1- and 1:0-, intermediate ECM maturities 

delivered more desirable collagen II/I ratios than the more mature ECM stage (Figure 

5.11 “+”). For 1:3+, the d21 ECM resulted in collagen II/I expression ratios that were 

significantly lower than for the two corresponding groups cultured on less mature ECM.  

5.4. Discussion 

This study demonstrated the chondroinductive capacity of electrospun PCL 

scaffolds coated with devitalized cell-generated cartilage-like ECM. Synthetic polymers 

offer the benefit of mechanical strength and tunable degradation rates. However, these 

synthetic polymers oftentimes require additional treatments to enhance cell attachment 

and proliferation as they are not innately bioactive and do little to direct cell 

differentiation and tissue regeneration [8]. An alternative to synthetic polymers is 

naturally derived materials, such as hyaluronic acid and collagen, which provide cell 

signals necessary for tissue development. In addition to providing differentiation signals, 

ECM components have been shown to successfully act as motogenic factors useful for 

recruiting MSCs [225]. As such, an ECM composite material could act to influence host 
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cell migration upon implantation as well as provide necessary morphogenic factors to 

direct tissue regeneration.  

Previous efforts towards utilizing ECM for cartilage tissue engineering scaffolds 

have centered around either native cartilage tissue isolated by various means and used in 

a minced or decellularized fashion or on individually isolated ECM components, such as 

collagen and GAGs, as lyophilized scaffolds or as coatings on synthetic polymer 

scaffolds [171, 172, 214, 216]. While these approaches do benefit from the bioactivity of 

ECM, it is difficult to obtain autogeneic cartilage tissue while avoiding donor site 

morbidity in a patient. Additionally, allogeneic or xenogeneic sources carry with them 

concerns about potential immunogenicity issues. The other option of creating bioactive 

ECM scaffolds using isolated and purified proteins carries the benefit of a well defined 

and reproducible scaffold. The benefit of a cell derived ECM/polymer hybrid scaffold is 

knowledge that the proteins are deposited in their physiologically active conformations 

and that the ECM deposited contains other components, such as growth factors and 

regulatory proteins, which may be beneficial to cell recruitment and direction of tissue 

regeneration [173, 174]. 

Previous studies in our group have shown that cell-generated devitalized ECM-

coated scaffolds can direct differentiation of MSCs towards the osteogenic lineage [92, 

94, 226]. A study of chondrocyte produced devitalized dPCL/ECM scaffolds generated in 

a perfusion bioreactor for cartilage regeneration purposes demonstrated that cartilage-like 

ECM led to a reduction in collagen I expression and also acted to improve GAG synthetic 

activity of MSCs when coupled with TGF-β1 [6]. Although several studies have shown 

that chondrocytes successfully produce cartilage-like ECM, it is difficult to obtain 
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sufficient quantities of this cell type for tissue engineering efforts, especially due to 

dedifferentiation upon in vitro expansion [180]. For this reason, the use of co-cultures of 

chondrocytes together with MSCs has been investigated in an effort to utilize MSCs to 

stimulate ECM production thereby reducing the number of chondrocytes necessary to 

generate cell derived polymer/ECM hybrid scaffolds [10, 189].  

This study was designed to further examine and characterize the PCL/ECM 

constructs produced by co-cultures of MSCs and chondrocytes that we described 

previously [10]. The ultimate goal was to closely examine the chondrogenic potential of a 

cell generated ECM coating on a synthetic polymer scaffold. In order to accomplish this, 

it was first necessary to devitalize the PCL/ECM constructs to remove the influence of 

the cells employed to generate the ECM thereby isolating the effect of the ECM coating 

on the differentiation state of cells reseeded on the dPCL/ECM scaffolds. Previous work 

studying cell generated osteogenic PCL/ECM constructs showed that a simple freeze-

thaw method was the least destructive to the ECM coating while successfully removing 

cellular material when compared to a detergent method [227]. For this reason, the freeze-

thaw method was employed to devitalize the constructs characterized here.  

Prior to examining the chondroinductive potential of the ECM on the scaffolds 

after devitalizing, it was necessary to characterize the post-processing state of the 

scaffolds to determine the effect of freeze-thaw as well as to establish the baseline 

condition of the scaffolds prior to reseeding with MSCs. The freeze-thaw method 

successfully devitalized the scaffolds as was shown by the DNA assay and the nuclear 

fast red stained histological sections. Any remaining cellular matter appeared to primarily 

be located near the surfaces of the scaffolds where the ECM was the densest. The dense 
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surface layer of ECM could be responsible for limiting the complete removal of the cell 

debris. 

We hypothesized that since the constructs cultured with the various cell ratios 

produced more ECM over time [10], the more mature dPCL/ECM constructs would 

contain greater amounts of ECM after devitalization. However, biochemical assays as 

well as histological staining showed that there were significant decreases in ECM 

contents of the scaffolds regardless of the initial ECM quantities prior to devitalization. 

This is likely to be the reason that there were not significant differences in the ECM 

content of dPCL/ECM scaffolds of differing ECM maturities. Compared to histological 

sections before devitalization [10], the dPCL/ECM scaffolds displayed decreases in ECM 

content throughout the scaffold as well as at the surface. Additionally, all dPCL/ECM 

scaffolds investigated at all three ECM maturities showed a decrease in GAG content due 

to freeze-thaw devitalization with only the 1:1 d21 scaffolds showing a significantly 

greater GAG content compared to another devitalized scaffold type. While a decrease in 

GAG content due to processing was anticipated based on previous results [6, 226], the 

lack of variation in final GAG content after freeze-thaw was unexpected. However, it is 

understandable that devitalization by aqueous means led to attrition since GAGs are 

highly water-soluble and such loss has been observed even with processing of ex vivo 

cartilage tissue [171, 228, 229].  

The observed effect of devitalization on collagen content of the dPCL/ECM 

scaffolds was similar to that observed for GAG content. In general, all of the scaffolds 

with appreciable collagen contents prior to freeze-thaw exhibited significant losses in 

collagen content due to devitalization processing. In this case, the two d21 scaffolds 
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generated with the greatest amount of chondrocytes, 1:0 and 1:1, exhibited significantly 

greater collagen contents than the MSC-only generated 0:1 d21 dPCL/ECM scaffolds. As 

with the loss of GAGs observed, histological sections stained with picro sirius red 

showed that collagen was washed away from throughout the scaffold as a whole not just 

the outer surface. This suggests that some of the collagen was solubilized or disrupted 

and rinsed out of the hydrated scaffold during processing. These results suggest that it 

will be important to further optimize ECM adhesion on these scaffolds to reduce the loss 

of ECM following processing. 

Following characterization of the devitalized PCL/ECM scaffolds, the 

chondroinductive capacity of these scaffolds was assessed. Specifically, dPCL/ECM 

scaffolds were reseeded with MSCs and cultured in serum-free conditions for 21 days in 

order to elucidate any potential chondrogenic effects of the cell generated ECM. It was 

hypothesized that dPCL/ECM scaffolds found to contain greater amounts of ECM with 

an even distribution throughout the scaffold would result in the greatest levels of 

chondrogenic gene expression. In this case, positive chondrogenic induction was 

determined to be an increase in aggrecan, collagen type II, and collagen II/I expression 

with the maintenance or decrease in collagen type I expression particularly when 

compared to PCL control samples. This is because collagen I is the principal ECM 

component of fibrocartilage which due to its reduced compressive strength is less 

desirable than regenerated articular cartilage, primarily composed of collagen II and 

proteoglycans [230, 231]. As the biochemical results showed that the devitalized 

chondrocyte and co-culture generated scaffolds were not significantly different in ECM 

content, it was anticipated that MSCs cultured on the scaffolds generated with greater 
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numbers of chondrocytes would deliver superior chondrogenic gene expression patterns. 

This hypothesis was based on the fact that chondrocytes are the primary cell type of 

cartilage and are naturally responsible for generating its ECM. We hypothesized that this 

ECM would serve as a signal to direct cellular differentiation within these scaffolds.   

Supplementing the medium with TGF-β3 appeared to cause an induction of 

chondrogenesis in each scaffold type. As such, it seems that TGF-β3 treatments 

somewhat masked the subtle differences of the different ECM coatings especially when 

compared to the plain PCL controls. For this reason, our discussion of the optimal culture 

ratio and maturity resulting in the most chondrogenic dPCL/ECM scaffold will focus 

primarily on the gene expression of MSCs cultured without TGF-β3 supplements. 

For samples cultured in serum-free medium without growth factor supplements, it 

was assumed that any change in gene expression that occurred was due to the scaffold, 

specifically the ECM coatings deposited by the different cell ratios. The ultimate goal 

was to determine which cell ratio generated the most chondrogenic ECM coating on a 

PCL scaffold, and this chondrogenic potential was determined by quantifying 

chondrogenic gene expression when compared to PCL controls. Day 7 and 21 

chondrocyte-only (1:0) generated dPCL/ECM as well as day 7 and 14 1:1 produced 

dPCL/ECM scaffolds displayed the most favorable chondrogenic gene expression 

patterns over PCL controls. All four of these scaffold types exhibited significant 

increases in aggrecan, collagen type II, and collagen II/I expression without any change 

in collagen type I expression compared to uncoated PCL controls. In contrast to the 

promising results of the 1:0- d7 constructs, the corresponding group cultured with TGF-

β3 supplementation (1:0+ d7) showed a reduction in aggrecan, collagen II, and collagen 
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II/I expression as compared to PCL controls. However, it is important to note that for 

these genetic markers 1:0+ d7 displayed fold increases of approximately 100 for collagen 

II and II/I expression and 1 for aggrecan expression over the expression of day 0 MSCs. 

In contrast, day 7 1:3- and 1:5- scaffolds displayed the least favorable gene 

expression patterns with a significant improvement over PCL controls only for aggrecan 

expression. Similarly, day 21 1:3- scaffolds only exhibited a significant increase in 

collagen II expression over PCL controls. For these three scaffold types with the lowest 

chondrogenic capacity, the maturity of the cell generated ECM did not have a significant 

effect on gene expression. However, in the absence of TGF-β3, it also did not result in 

reduced chondrogenic expression compared to the PCL control. The gene expression 

results support the hypothesis that dPCL/ECM scaffolds generated with greater 

concentrations of chondrocytes would have a higher capacity for chondroinduction. 

Furthermore, dPCL/ECM scaffolds produced by co-cultures containing as few as 50% 

chondrocytes with 14 days maturity approximated the chondrogenic gene expression 

patterns of MSCs cultured on scaffolds generated wholly by chondrocytes. 

We hypothesized that the observed differences in gene expression following MSC 

culture on the dPCL/ECM scaffolds are attributable to the maturity of the ECM that was 

established on the scaffold because the amount of ECM present on the various scaffolds 

following devitalization showed minimal differences. ECM maturity had a moderate 

influence on scaffold chondroinductive capacity in the absence of TGF-β3. In general, the 

intermediate (day 14) ECM maturity showed the greatest degree of chondrogenic 

potential within a scaffold type (Figure 5.8 - Figure 5.11 “+”). Furthermore, PCL/ECM 

scaffolds generated by the co-culture of chondrocytes and MSCs in equal amounts (1:1) 
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for 14 days displayed the best performance overall. This mirrors previous findings that 

suggested a 50% reduction of chondrocytes replaced by MSCs could result in the 

approximation of ECM production by chondrocytes alone [10]. There is a need to further 

investigate the mechanism by which ECM maturity influences the bioactivity of the 

scaffolds in an effort to enhance the chondrogenic potential of these constructs. 

5.5. Conclusions 

This work examined the ability of ECM generated by the two cell types of the 

chondrogenic niche, chondrocytes and MSCs, to direct chondrogenesis of MSCs. 

Specifically, different ratios of chondrocytes and MSCs were used to coat fibrous 

synthetic polymer scaffolds with cartilage-like ECM. Those polymer/ECM hybrid 

constructs were then devitalized and characterized. It was determined that the freeze-thaw 

process resulted in significant losses in DNA and ECM content throughout all of the 

scaffold types. The presence of cartilage-like ECM produced by chondrocytes as well as 

a 1:1 ratio of chondrocytes to MSCs was determined to have a positive effect on 

aggrecan, collagen type II, and collagen II/I expression when compared to PCL controls. 

In this way, this study demonstrates that it is possible to develop a hybrid polymer/ECM 

scaffold to direct cartilage regeneration. Furthermore, this may be accomplished utilizing 

co-cultures of chondrocytes and MSCs thereby reducing the number of chondrocytes 

necessary to produce the chondrogenic hybrid scaffolds. 
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Chapter 6 

Direct and Indirect Co-culture of 

Chondrocytes and Mesenchymal Stem 

Cells for the Generation of 

Polymer/Extracellular Matrix Hybrid 

Constructs
5
 

Abstract: In this work, the influence of direct cell-cell contact in co-cultures of 

mesenchymal stem cells (MSCs) and chondrocytes for the improved deposition of 

cartilage-like extracellular matrix (ECM) within nonwoven fibrous poly(ε-caprolactone) 

(PCL) scaffolds was examined. To this end, chondrocytes and MSCs were either co-

cultured in direct contact by mixing on a single PCL scaffold or via indirect co-culture 
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whereby the two cell types were seeded on separate scaffolds which were then cultured 

together in the same system either statically or under media perfusion in a bioreactor. In 

static cultures, the chondrocyte scaffold of an indirectly co-cultured group generated 

significantly greater amounts of glycosaminoglycan and collagen than the direct co-

culture group initially seeded with the same number of chondrocytes. Furthermore, 

improved ECM production was linked to greater cellular proliferation and distribution 

throughout the scaffold in static culture. In perfusion cultures, flow had a significant 

effect on the proliferation of the chondrocytes. The ECM contents within the chondrocyte 

containing scaffolds of the indirect co-culture groups either approximated or surpassed 

the amounts generated within the direct co-culture group. Additionally, within bioreactor 

culture there were indications that chondrocytes had an influence on the chondrogenesis 

of MSCs as evidenced by increases in cartilaginous ECM synthetic capacity. This work 

demonstrates that it is possible to generate PCL/ECM hybrid scaffolds for cartilage 

regeneration by utilizing the factors secreted by two different cell types, chondrocytes 

and MSCs, even in the absence of juxtacrine signaling. 

6.1. Introduction 

The tissue engineering paradigm focuses on the combination of cells, scaffolds, 

and signals with the ultimate goal of regenerating functional tissues. Currently, a large 

proportion of efforts are focused on the development of bioactive materials that serve as a 

scaffold, providing structural and mechanical support, and also deliver the bioactive 

signals to direct cellular differentiation and tissue growth [23, 87, 160, 169, 232]. One 

approach to developing such bioactive materials is to utilize components of the 
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extracellular matrix (ECM) that comprises a particular tissue as a signaling component in 

an implantable scaffold for the purpose of directing the regeneration of the tissue of 

interest.  

Cartilage, a tissue which is comprised of relatively few cells, is highly dependent 

on the ECM for form and function. Furthermore, repair of this tissue in the absence of 

bioactive signals oftentimes results in the repair of a defect with fibrocartilage which is 

inferior in compressive strength compared to articular cartilage [2, 233]. As such 

previous efforts have focused on creating scaffolds composed of processed excised 

cartilage, scaffolds composed solely of isolated collagen and/or glycosaminoglycans 

(GAGs), as well as engineered three-dimensional scaffolds coated with cartilaginous 

ECM components [169, 171, 215, 234-237]. ECM coated polymeric scaffolds garner the 

benefits of both the natural and synthetic components. The polymeric scaffold provides a 

porous structural network to support tissue ingrowth while the ECM coating acts as a 

bioactive signal providing necessary cues to direct regeneration by the host’s cells upon 

implantation. Previous work has shown that chondrocytes cultured on a scaffold under 

flow perfusion are capable of depositing cartilage-like ECM within the scaffold that is 

effective at inducing the chondrogenic differentiation of MSCs [6].  

As potential for the isolation of chondrocytes from healthy cartilage is limited and 

because chondrocytes often dedifferentiate upon expansion, other culture methods have 

been explored to effectively generate cartilage-like ECM in vitro while reducing the 

number of chondrocytes needed. One such method is by utilizing co-cultures of 

chondrocytes and MSCs to generate similar quantities of cartilage-like ECM as cultures 

of chondrocytes alone [10, 189]. Various studies have shown that co-culturing MSCs 
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with chondrocytes leads to increased chondrogenic gene expression and ECM deposition 

when cultured both in direct cell-cell contact or separated by a barrier, such as a 

Transwell® membrane, or in conditioned media systems [186-188, 209]. Previous work 

showed that a 1:1 ratio of chondrocytes to MSCs was capable of producing similar 

quantities of cartilage-like ECM as cultures of chondrocytes alone and that the ECM 

exhibited a similar chondroinductive effect on MSCs as polymer/ECM scaffolds 

generated using cultures of chondrocytes [9, 10].  

The objective of this study was to examine the necessity of direct cell-cell contact 

in co-cultures of MSCs and chondrocytes for the improved deposition of cartilage-like 

ECM within nonwoven fibrous poly(ε-caprolactone) (PCL) scaffolds. The hypothesis 

was that matrix production by chondrocytes co-cultured in direct contact with MSCs 

would differ in the deposition of cartilage-like ECM from indirectly co-cultured groups 

due to a potential combined effect of juxtacrine and paracrine signaling. This hypothesis 

was tested by culturing chondrocytes and MSCs in direct contact by mixing on the same 

PCL scaffold as well as in indirect co-cultures by seeding the two cell types on two 

separate scaffolds which were then cultured together in the same system. Utilizing both 

static and perfused culture conditions, PCL/ECM construct generation was then 

characterized by quantifying GAG and collagen contents as well as through imaging the 

distribution of cells and matrix throughout the scaffold via histology and scanning 

electron microscopy. 
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6.2. Materials and methods 

6.2.1. Scaffold formation 

Non-woven fibrous PCL scaffolds were fabricated by electrospinning using 

previously described methods [10].  18% (w/w) PCL was first dissolved in a 5:1 (v/v) 

solution of chloroform: methanol and expelled at a flowrate of 25 mL/hr into an electric 

field formed by a voltage source with 30 kV applied voltage. The collector plate was 

placed at a distance of 36 cm from the 16 G needle. Following fabrication, scanning 

electron microscopy (SEM) (FEI Quanta 400 ESEM FEG, FEICo, Hillsboro, OR) was 

employed to examine fiber morphology as well as to measure the average fiber size for 

each mat generated. This was achieved by taking a total of 45 measurements from 3 

different locations on the mat using the manufacturer supplied software from which the 

average and standard deviation were calculated. Electrospun mats 1 mm thick with an 

average fiber diameter of 8.5 μm and a standard deviation of 1.2 μm were die cut into 3 

mm diameter disks and used for the following cellular studies. 

6.2.2.  Cell isolation and expansion 

For this study, a previously validated xenogeneic co-culture model using rabbit 

MSCs and bovine chondrocytes was utilized [189, 190]. Bovine chondrocytes were 

isolated from the femoral condyles of 7-10 day old calves obtained from Research 87 

(Research 87, Boston, MA). Following a previously established protocol [6, 10, 198], the 

chondrocytes from four legs were isolated via a 16 hr incubation with 0.2 wt% 

collagenase type II (Worthington, Lakewood, NJ) in culture medium then pooled and 

cryopreserved. Before seeding scaffolds for both static and perfusion studies, the 
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chondrocytes were first expanded for 7 days in chondrocyte growth medium consisting of 

DMEM (Invitrogen, Carlsbad, CA), 10% fetal bovine serum  (FBS), 10 mM HEPES 

buffer (Gibco, Grand Island, NY), 1% non-essential amino acids (Gibco, Grand Island, 

NY), 0.28 mM ascorbic acid (Sigma, St Louis, MO), 0.4 mM L-proline (Sigma, St Louis, 

MO), and 1% penicillin-streptomycin-fungizone (Gibco, Grand Island, NY). 

All rabbit MSC isolations were approved by the Rice University Institutional 

Animal Care and Use Committee and were in compliance NIH Guide for Care and Use of 

Laboratory Animals. Rabbit MSCs were isolated from the bone marrow of New Zealand 

White rabbits weighing 0.9-1.2 kg using an established procedure [6, 9, 10, 194]. After 

approximately 2 weeks of expansion following isolation, the MSCs from 6 rabbits were 

pooled and cryopreserved. Prior to scaffold seeding the MSCs were removed from 

cryopreservation and expanded to passage 3 in general growth medium consisting of 

DMEM (Invitrogen, Carlsbad, CA), 10% FBS, and 1% penicillin-streptomycin-fungizone 

(Gibco, Grand Island, NY). 

6.2.3. Cell seeding and culture 

PCL scaffolds (Ø= 3mm) were pressfit into polycarbonate seeding cassettes and 

ethylene oxide sterilized for 12 hr. Following sterilization the scaffolds were pre-wet with 

a decreasing ethanol gradient (100% - 35%) and then rinsed with sterile PBS. After pre-

wetting the scaffolds were incubated overnight in general growth medium to facilitate 

cellular attachment.   
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Figure 6.1 Direct and indirect co-culture spatial arrangement 

Schematic indicating seeding and culture arrangement for experimental groups. Divided 

rectangles are used to represent polypropylene mesh divided wells for static culture. 

Similar pairings were used in bioreactor culture with scaffolds on the left confined in 

perfusion cassettes and scaffolds on the right or blank PCL scaffolds included above the 

cassette as free scaffolds. 

 

The expanded MSCs and chondrocytes were then trypsinized and five cell 

seeding solutions were prepared. The same cell solutions were used to seed scaffolds for 

groups AC 35 and iAC 35 as well as MSC 35 and iMSC 35 (Table 6.1). In this work, iAC 

and iMSC indicate indirect co-cultured scaffolds containing chondrocytes and MSCs 

respectively. Additionally, dAC:MSC indicates the direct co-culture group with 

chondrocytes and MSCs seeded together on the same scaffold (Figure 6.1 and Table 6.1). 

The number following the group description indicates the initial seeding density.  

Table 6.1 Description of groups with cell types and densities seeded. 

Experimental 

Group 

Chondrocytes/

scaffold 

MSCs/ 

scaffold 

AC  35 35,000 - 

MSC 35 - 35,000 

dAC:MSC 17,500 17,500 

iAC 35 35,000 - 

iMSC 35 - 35,000 

iAC 17.5 17,500 - 

iMSC 17.5 - 17,500 
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For static studies, chondrocyte growth medium was added to the culture wells 

after a 2 hr pre-attachment period. After 24 hrs, the seeded scaffolds were removed from 

the cassettes and placed in ultra low attachment 24 well plates. Prior to removing the 

scaffolds from the cassettes, the culture wells were divided in half with a vertical piece of 

polypropylene mesh (Spectrum Labs, Rancho Dominguez, CA) to spatially separate the 

iAC and iMSC scaffolds of similar seeding densities while allowing for the transfer of 

media and soluble factors throughout the entire culture well. The scaffolds were then 

cultured in chondrocyte growth medium for 14 and 21 days on a shaker table to facilitate 

media mixing with half of the medium volume changed every 3 days. The experimental 

groups and culture arrangements are described further in Figure 6.1 and Table 6.1. 

 

Figure 6.2 Bioreactor schematic with free and perfused scaffolds.  

Arrangement allows for indirect co-culture under flow conditions. 

 

Dynamic cultures were performed in a flow perfusion bioreactor according to 

previous studies in our laboratory [198, 238]. Briefly, a cassette containing 10 scaffolds 

of 3 mm in diameter was placed in each flow perfusion bioreactor unit, together with 50 

mL of chondrocyte growth medium. The chondrocyte containing scaffolds (AC 35, 
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dAC:MSC, iAC 35, and iAC 17.5) as well as MSC 35 were subject to direct flow 

perfusion with each group in a separate bioreactor. Following the 24 hr attachment 

period, iMSC 35 and iMSC 17.5 scaffolds, 10 each, were added as free scaffolds to the 

media reservoir above the corresponding perfused iAC scaffolds within the perfusion 

cassettes (Figure 6.2). For the bioreactors containing the groups AC 35, MSC 35, and 

dAC:MSC, 10 blank PCL scaffolds were included above the perfusion cassette to control 

for flow aberrations that may be the result of the free scaffolds. A stainless steel mesh 

disk was placed atop the perfusion cassette to prevent the free floating scaffolds from 

interfering with media flow (Figure 6.2). One third of the media was changed every 3 

days. The scaffolds were cultured for 5, 10, and 14 days under continuous perfusion at a 

flow rate of 0.01 mL/min through each scaffold.  

6.2.4. Biochemical assays 

For both static and perfused studies, at the end of each culture period scaffolds 

were removed from the culture medium and rinsed with PBS 2 times. Two scaffolds were 

then pooled in 500 μL of proteinase K and incubated for 16 hrs at 56°C to digest the 

samples (static, n = 4; perfusion, n = 8) as described previously [6, 10, 239]. To facilitate 

the removal of DNA and ECM components from the scaffold, three freeze-thaw-sonicate 

cycles were performed. 

Scaffold cellularity was determined by quantifying scaffold DNA content using a 

PicoGreen DNA assay kit (Molecular Probes, Eugene, OR) described earlier [9, 10, 239]. 

Using the PicoGreen kit, the concentration of double stranded DNA within the proteinase 
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K digest was quantified by excitation at 490 nm and emission detected at 520 nm. All 

samples and standards were run in duplicate. 

ECM production was quantified utilizing the 1,9-dimethymethylene blue and 

hydroxyproline colorimetric assays measuring GAG and total collagen contents 

respectively according to established protocols [6, 92, 227, 239]. For GAG quantification, 

25 μL of digested sample or chondroitin sulfate standard was treated with 205 μL 1,9-

dimethymethylene blue (Sigma, St Louis, MO ) and absorbance was measured at 520 nm 

with samples run in duplicate. For the hydroxyproline assay, 100 μL of proteinase K 

digested sample was hydrolyzed at 115°C with 100 μL 12M HCl for 4 hr and then 

evaporated under nitrogen flow. The hydrolyzed samples were then rehydrated with 

water and analyzed in duplicate by incubation with 50 μL chloramine-T (Sigma, St Louis, 

MO ) and 50 μL p-dimethylaminobenzaldehyde (Sigma, St Louis, MO) at 60°C for 30 

min [200]. The absorbance of the samples and hydroxyproline standards were measured 

at 570 nm.  

6.2.5. Histology 

After each static and perfused culture period, samples (n=2) were rinsed twice 

with PBS and fixed in 10% buffered formalin at 4°C overnight. The fixed samples were 

then dehydrated using an increasing ethanol gradient, stored in 100% ethanol at 4°C 

overnight, then placed in HistoPrep freezing media (Fisher, Fair Lawn, NJ) for at least 24 

hr. Finally the samples were embedded in freezing media and 8 μm sections were 

cryosectioned (CM1850, Leica Microsystems, Bannockburn, IL) and affixed to glass 
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Superfrost Plus microscope slides (VWR, Batavia, IL). The sections were then incubated 

on a slide warmer for 7 days at 45°C.  

Picro sirius red staining was utilized to examine the distribution of ECM 

components within the scaffold, specifically collagen. Using previously established 

staining protocols, the sections were hydrated and then treated with 1 g/L Direct Red 80 

(Sigma Aldrich, St Louis, MO) in saturated aqueous picric acid [9, 10, 227]. After an 

hour, the sections were clarified twice with 0.5% acetic acid. Cellular localization was 

visualized by hydrating the section then staining with 1 g/L nuclear fast red (Sigma 

Aldrich, St Louis, MO) in 50 g/L aluminum sulfate for 5 min then rinsing with water. 

Following staining, sections were imaged via light microscopy (Zeiss AxioImager.Z2, 

Göttingen, Germany) coupled with a digital camera (Zeiss AxioCamMRc5, Göttingen, 

Germany) correcting exposure and white balance using the manufacturer supplied 

software. 

6.2.6. Scanning electron microscopy 

The surface morphology of the scaffolds was imaged using scanning electron 

microscopy to examine the progression of ECM and cells on the surface of the scaffold. 

Scaffolds from each time point (n = 2) were fixed for 1 hr in 2.5% glutaraldehyde and 

dried using an increasing ethanol gradient. Samples were then sputtercoated with 20 nm 

of gold (Denton Desk V, Moorestown, NJ) and SEM (FEI Quanta 400 ESEM FEG, 

FEICo, Hillsboro, OR) images were obtained. 
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6.2.7. Statistical analysis 

The results of the biochemical assays are presented as means ± standard 

deviation. A two- way ANOVA was utilized to determine significant differences in DNA 

and ECM contents of the scaffolds. Tukey’s HSD testing was used to perform multiple 

comparisons when significance via ANOVA was determined. For all statistical analyses, 

significance was defined as p<0.05. 

6.3. Results 

6.3.1. Surface morphology 

SEM was utilized to examine the surface morphology of the scaffolds with the 

progressing deposition of ECM and proliferation of the cells within the different groups 

(Figure 6.3 and 6.4). For static samples, within 14 days the surfaces of scaffolds cultured 

with chondrocytes were mostly covered with ECM and cells (Figure 6.3 (a)-(d)). It took 

between 14 and 21 days for the deposits of ECM and cells to primarily obscure the 

underlying PCL fibers within these static chondrocyte containing groups. For the static 

MSC-only scaffolds, only the iMSC 17.5 group displayed prominent evidence of ECM 

and cells on the scaffold surface in 14 days (Figure 6.3 (e)-(g)). However, within 21 days 

the surfaces of all three static MSC-only scaffolds were mostly covered with cells and 

ECM.  
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Figure 6.3 Surface morphology of direct and indirect co-cultures - static. 

SEM images depicting the surface morphology of samples cultured statically for 14 and 

21 days. (a) AC 35, (b) iAC 35, (c) iAC 17.5, (d) dAC:MSC, (e) MSC 35, (f) iMSC 35, 

(g) iMSC 17.5. Scale bars represent 50 μm. Magnification 1000x for all images. 

 

On the scaffolds cultured in the bioreactor, the surface of the chondrocyte 

containing groups were completely covered with cells and ECM in 5 days except for the 

iAC 35 group which was covered within 10 days (Figure 6.4  (a)-(d)). For the MSC-only 

scaffolds, all three MSC-only scaffolds were covered with cells and ECM by day 14 

(Figure 6.4  (e)-(g)). Furthermore, as it becomes more difficult to discern the underlying 

PCL fibers the surface morphology of the cell and ECM coating becomes more rough in 

appearance for both static and bioreactor cultures (Figure 6.3 d21 (a) and (d); Figure 6.4  

d10 (c) and d14 (a)). 



 150 

 

Figure 6.4 Surface morphology of direct and indirect co-cultures - bioreactor. 

SEM images depicting the surface morphology of samples cultured in the bioreactor for 

5, 10, and 14 days. (a) AC 35, (b) iAC 35, (c) iAC 17.5, (d) dAC:MSC, (e) MSC 35, (f) 

iMSC 35, (g) iMSC 17.5. Scale bars represent 50 μm. Magnification 1000x for all 

images. 
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6.3.2. Histological characterization 

 

Figure 6.5 Cellular localization within static samples. 

Histological sections of static samples stained with nuclear fast red. Red staining depicts 

localization of cell nuclei in scaffolds after 5, 10, and 14 days of static culture. (a) AC 35, 

(b) iAC 35, (c) iAC 17.5, (d) dAC:MSC, (e) MSC 35, (f) iMSC 35, (g) iMSC 17.5. Scale 

bars represent 100 μm. Magnification 1000x for all images. 

 

Within scaffolds cultured statically, nuclear fast red staining for cell nuclei shows 

that a great proportion of the cells were located at the surface of the scaffolds at both time 

points (Figure 6.5). However, among all of the static scaffolds the 3 groups seeded with 

chondrocytes alone displayed the greatest distribution of cells and matrix within the 

scaffold at both time points as indicated by nuclear fast red and picro sirius red staining 

respectively (Figures 6.5 and 6.6 (a)-(c)). At 21 days of static culture, the iMSC 35 group 

displays greater amounts of collagenous matrix within the scaffold than the MSC 35 or 
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iMSC 17.5 groups (Figure 6.6(e)-(g)). This difference among the MSC groups, was not 

observed when examining cell localization (Figure 6.5 (e)-(g)). 

 

Figure 6.6 Collagen deposition within static samples. 

Histological sections of static samples stained with picro sirius red. Red staining depicts 

localization of collagen deposits in scaffolds after 5, 10, and 14 days of static culture. (a) 

AC 35, (b) iAC 35, (c) iAC 17.5, (d) dAC:MSC, (e) MSC 35, (f) iMSC 35, (g) iMSC 

17.5. Scale bars represent 100 μm. Magnification 1000x for all images. 

 

Within the bioreactor cultures, staining for cells and ECM became more 

pronounced as the culture duration increased from 5 to 14 days. Among the day 14 

bioreactor scaffolds, the AC 35 and iAC 35 groups exhibited the greatest amount of 

staining for collagen both at the surface of the scaffolds as well as in the interior (Figure 

6.8 (a) and (b)). For all 3 time points, the chondrocyte containing groups had greater 

amounts of collagen deposition than the MSC-only samples. In general, the staining for 
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cell localization showed very minor differences amongst the bioreactor groups especially 

at the latest time point. All of the scaffolds displayed a dense coating of cells at the 

surface of the scaffolds at day 14. There were more cells located inside the 3 groups 

seeded with chondrocytes alone than inside the 3 MSC-only groups (Figure 6.7 d14). The 

differences in cell localization were more pronounced at the earlier time points where the 

4 chondrocyte containing groups exhibited more intense nuclear fast red staining than the 

3 MSC-only groups. 

Comparing day 14 bioreactor and static cultures, there was a marked 

improvement in staining for MSCs at the surface of the scaffolds as well as within the 

scaffolds cultured in the bioreactor (Figures 6.5 and 6.7 (e)-(g)). Similarly, chondrocyte 

containing scaffolds displayed a more intense nuclear fast red staining at the surface and 

within the interior of the day 14 bioreactor cultured scaffolds than in static samples 

(Figures 6.5 and 6.7 (a)-(d)). The difference in staining for cell nuclei inside the scaffolds 

was most noticeable within the AC 35 bioreactor samples. Examining ECM deposition in 

day 14 static and bioreactor samples using picro sirius red, there was more intense 

staining for collagen in the three MSC groups that were cultured within the bioreactor 

(Figures 6.6 and 6.8 (e)-(g)). In contrast, the difference in picro sirius red staining among 

the chondrocyte containing groups was only observed within the groups AC 35 and iAC 

35 in which staining for collagen was most intense within the bioreactor samples (Figures 

6.6 and 6.8 d14 (a)-(b)). 
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Figure 6.7 Cellular localization within bioreactor samples. 

Histological sections of bioreactor samples stained with nuclear fast red. Red staining 

depicts localization of cell nuclei in scaffolds after 5, 10, and 14 days of bioreactor 

culture. (a) AC 35, (b) iAC 35, (c) iAC 17.5, (d) dAC:MSC, (e) MSC 35, (f) iMSC 35, 

(g) iMSC 17.5. Scale bars represent 100 μm. Magnification 1000x for all images. 
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Figure 6.8 Collagen deposition within bioreactor samples. 

Histological sections of bioreactor samples stained with picro sirius red. Red staining 

depicts localization of collagen deposits in scaffolds after 5, 10, and 14 days of bioreactor 

culture. (a) AC 35, (b) iAC 35, (c) iAC 17.5, (d) dAC:MSC, (e) MSC 35, (f) iMSC 35, 

(g) iMSC 17.5. Scale bars represent 100 μm. Magnification 1000x for all images. 
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6.3.3. Biochemical characterization-Static 

Cellularity, as determined by DNA content, increased gradually throughout the 

culture period for the four static chondrocyte containing groups (Figure 6.9 “x” and “*”). 

In contrast, when cultured statically little proliferation was observed within the three 

MSC-only groups. Within the d21 static samples, iAC 17.5 displayed greater DNA 

contents than the dAC:MSC group despite initially being seeded with fewer cells (Figure 

6.9 “#”). 

 

Table 6.2 Key to statistical significance symbols in Figures 6.9-6.14. 

Symbol Meaning  

‡ 

Difference between AC and MSC groups cultured similarly. 

Significance is indicated above the MSC containing counterpart 

only.  

x Statistically significant difference from corresponding day 0 group.  

* Statistically significant difference from preceding time point. 

#  Statistically significant difference from dAC:MSC group. 

+ 

Statistically significant difference between an indirectly co-cultured 

group and chondrocyte-alone or MSC-alone group of the same cell 

type.  

 



 157 

 

Figure 6.9 Cellularity of direct and indirect co-cultures - static. 

DNA content for statically cultured scaffolds at days 0, 14, and 21. Symbols indicating 

statistical significance are defined in Table 6.2. p<0.05. 

 

As with cell proliferation, the deposition of GAGs gradually increased with 

greater culture duration within the four chondrocyte containing groups (Figure 6.10a “x” 

and “*”). The iAC 17.5 scaffolds were the only group to display a significant increase in 

GAG content between d14 and d21. Similar to trends observed in scaffold cellularity, 

there was not a significant increase in GAG production observed within the three MSC-

only groups. Furthermore, the indirect co-culture AC scaffolds generated significantly 

greater amounts of GAGs at d21 than the similarly cultured MSC scaffolds (Figure 6.10a 

“‡”). When GAG content was normalized to the DNA content of the scaffolds, there was 

no significant difference in GAG synthetic capacity observed among the statically 

cultured scaffolds except for the d21 MSC 35 group which was found to be significantly 

greater than the day 0 scaffolds (Figure 6.10b “x”). 
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Figure 6.10 GAG content of direct and indirect co-cultures - static. 

Characterization of GAG production in static cultures. (a) Total GAG content for 

statically cultured scaffolds at days 0, 14, and 21. (b) Glycosaminoglycan synthetic 

activity as normalized to DNA content. Symbols indicating statistical significance are 

defined in Table 6.2. p<0.05. 

 

Similar trends were observed in collagen production within the statically cultured 

groups as were detected in scaffold cellularity and GAG content. Specifically, the 

chondrocyte containing groups produced more collagen at d21 than the corresponding 

MSC containing groups cultured similarly (Figure 6.11 “‡”). Furthermore, at d21 the 

indirectly co-cultured chondrocyte group iAC 17.5 produced significantly greater 

amounts of collagen than the direct co-culture group dAC:MSC. Likewise, there was 
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little difference in collagen synthetic capacity as determined by collagen content 

normalized to DNA content among the different experimental groups (Figure 6.11b). 

 

Figure 6.11 Collagen content of direct and indirect co-cultures - static. 

Characterization of collagen production in static cultures. (a) Total collagen content for 

statically cultured scaffolds at days 0, 14, and 21. (b) Collagen synthetic activity as 

normalized to DNA content. Symbols indicating statistical significance are defined in 

Table 6.2. p<0.05. 

 

6.3.4. Biochemical characterization-Bioreactor 

As in static cultures, cellularity increased gradually throughout the culture period 

for the four chondrocyte containing groups cultured in the bioreactor (Figure 6.12 “x” 

and “*”). Additionally, there was little proliferation observed within the three MSC-only 

groups throughout the 14 days of bioreactor culture. After 14 days of bioreactor culture, 

the two indirect co-culture chondrocyte scaffolds and the AC 35 samples exhibited 

significantly higher cell contents than the direct co-culture group, dAC:MSC (Figure 6.12 

“#”). 
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Figure 6.12 Cellularity of direct and indirect co-cultures – bioreactor. 

DNA content for scaffolds cultured in the bioreactor at days 0, 5, 10, and 14. Symbols 

indicating statistical significance are defined in Table 6.2. p<0.05. 

 

There was an increase in the deposition of GAGs as culture duration increased for 

the four chondrocyte containing groups (Figure 6.13a “x” and “*”) with all of the groups 

containing significantly greater GAG contents than their day 0 counterparts within 10 

days of culture except for the iAC 35 samples. Conversely, as in static cultures, there 

were minimal changes in the deposition of GAGs with time by the 3 MSC-only groups in 

the bioreactor. Furthermore, there were no significant differences determined in GAG 

content among the MSC-only experimental groups at each time point. The AC scaffolds 

initially seeded with 35,000 chondrocytes, AC 35 and iAC 35, generated significantly 

greater amounts of GAGs at d21 than the similarly cultured MSC scaffolds (Figure 6.13a  

“‡” ). There was no significant difference in the GAG content of iAC 17.5 and iMSC 

17.5 groups after 14 days of bioreactor culture. At day 14, the chondrocyte-only group 

and both indirect co-culture groups produced more GAGs than the direct co-culture 
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group, dAC:MSC (Figure 6.13a “#”), while no groups contained more GAGs than the 

dAC:MSC groups at previous time points under flow conditions. 

 

Figure 6.13 GAG content of direct and indirect co-cultures – bioreactor. 

Characterization of GAG production in bioreactor cultures. (a) Total GAG content for 

bioreactor cultured scaffolds at days 0, 14, and 21. (b) Glycosaminoglycan synthetic 

activity as normalized to DNA content. Symbols indicating statistical significance are 

defined in Table 6.2. p<0.05. 

 

While GAG synthetic capacity remained relatively stable in static culture, there 

were some changes observed within the bioreactor cultures. An increase in GAG 
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synthetic capacity was observed at day 14 within the groups AC 35, iAC 35, and the two 

indirectly co-cultured MSC groups, iMSC 35 and iMSC 17.5 (Figure 6.13b “x”). iMSC 

17.5 was the only group at an earlier time point to show a significant increase in GAG 

synthetic capacity. 

Samples produced GAGs at a faster rate within the bioreactor than in static 

cultures. Specifically, after 14 days of culture under flow conditions 5 groups had 

significantly greater GAG quantities than day 0 counterparts while none of the static 

groups were determined to be significantly greater than day 0 in static cultures (Figures 

6.10a and 6.13a “x”). In general, there were no significant differences observed as the 

result of initial seeding density within the AC or MSC scaffolds cultured via indirect co-

culture in both static and flow conditions. The only exception occurred in bioreactor 

GAG synthetic capacity at days 5 and 14 between groups iMSC 35 and iMSC 17.5 where 

iMSC 17.5 displayed a higher capacity for ECM synthesis (Figure 6.13b). 

Contrary to GAG production, scaffolds under flow conditions generated significant 

increases in collagen contents after 14 days of culture (Figure 6.14a “x” and “*”). All of 

the chondrocyte containing groups showed a significant increase in collagen content over 

day 0 counterparts except for the direct co-culture group, dAC:MSC. Moreover, both 

groups seeded initially with 35,000 chondrocytes/scaffold, AC 35 and iAC 35, generated 

significantly greater amounts of collagen than the dAC:MSC group after 14 days of 

bioreactor culture. Additionally, the AC 35 group, consisting of chondrocytes cultured on 

PCL alone without any form of co-culture, produced more collagen within the PCL 

scaffold than all three chondrocyte containing co-culture groups (Figure 6.14a “#” and 

“+”). As with previous results examining matrix production, there was little difference 
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between the three MSC cultured groups in the bioreactor. There was a rather marked 

increase in collagen synthetic capacity within the bioreactor groups between days 10 and 

14 (Figure 6.14b “x” and “*”). This is somewhat different from the gradual or 

nonexistent changes in ECM synthetic activity that were observed in static cultures as 

well as bioreactor GAG synthetic capacity.  

 

Figure 6.14 Collagen content of direct and indirect co-cultures – bioreactor. 

Characterization of collagen production in bioreactor cultures. (a) Total collagen content 

for bioreactor cultured scaffolds at days 0, 14, and 21. (b) Collagen synthetic activity as 

normalized to DNA content. Symbols indicating statistical significance are defined in 

Table 6.2. p<0.05. 
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6.4. Discussion  

This study demonstrated the influence of direct and indirect co-culture of 

chondrocytes and MSCs on the development of cartilage-like ECM within a fibrous PCL 

scaffold under static and perfused culture conditions. Utilizing cell culture to generate 

ECM coatings on polymeric scaffolds is a relatively novel approach to producing 

natural/synthetic hybrid scaffolds. Other methods of fabricating similar hybrid scaffold 

materials by coating 3D polymer scaffolds with isolated ECM components, such as 

collagen or GAGs, benefit from well characterized and controlled formulations [171, 214, 

236, 237, 240]. However, using cell culture to generate polymer/ECM hybrid scaffolds 

has the potential to deposit ECM components in physiologically active conformations as 

well as potentially incorporate growth factors and other morphogens useful for directing 

tissue regeneration [6, 174, 227]. 

In studying in vitro cell generated polymer/ECM hybrid scaffolds using a variety 

of cell sources, we have shown previously that flow perfusion, oxygen tension, as well as 

culture supplements can be useful for the generation of scaffolds for both bone and 

cartilage regeneration [173, 190, 198, 226, 227, 241]. Furthermore, it has been 

demonstrated that upon devitalization these various polymer/ECM hybrid scaffolds are 

capable of inducing the osteogenic and chondrogenic differentiation of MSCs [6, 9, 92, 

226, 227, 241]. Recent studies have focused on utilizing co-cultures of chondrocytes and 

MSCs to generate cartilage-like ECM within a scaffold capable of directing cartilage 

regeneration. In these studies, results indicated that in direct co-cultures of chondrocytes 

and MSCs there is a stimulatory effect on the production of cartilage-like ECM [10, 189]. 

Specifically, co-cultures of chondrocytes and MSCs in equal proportions generated 
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constructs with similar quantities and spatial distributions of cartilage-like ECM as 

constructs produced by chondrocytes alone [10]. Furthermore, as compared to untreated 

PCL controls, devitalized PCL/ECM scaffolds generated by culturing with a 1:1 

chondrocyte to MSC ratio had a positive effect on the aggrecan and collagen type II gene 

expression of MSCs [9]. This echoes previous results which indicated that PCL/ECM 

generated by chondrocytes in a flow perfusion bioreactor led to a decrease in collagen 

type I expression of reseeded MSCs and an increase in the capacity for the MSCs to 

produce cartilage-like ECM [6]. The work described here functioned to further 

investigate the fabrication of these co-culture generated chondroinductive PCL/ECM 

constructs by determining the benefit of direct versus indirect co-culture in the capacity 

to form significant amounts of cartilage-like ECM distributed throughout the scaffold. 

Specifically, we hypothesized that direct cell-cell contact as well as cell-secreted trophic 

factors may influence ECM production within the fibrous scaffolds. 

In static cultures, among the chondrocyte containing scaffolds by day 21 there 

was no difference in cellularity or ECM content among the three chondrocyte groups 

seeded initially with 35,000 cells total: AC 35, iAC 35, and dAC:MSC. As well, no 

difference in cellularity or ECM content was determined between the chondrocyte-only 

group seeded with 35,000 chondrocytes, AC 35, and the indirect co-culture group, iAC 

17.5, that was seeded with half as many chondrocytes initially. Conversely, the indirectly 

co-cultured group iAC 17.5 led to significant increases in cellularity and ECM content 

over the direct co-culture samples, dAC:MSC, in 21 days of static culture even though it 

was seeded with the same number of chondrocytes initially (Figures 6.10 and 6.11 “#”). 

Upon examining ECM synthetic capacity within the chondrocyte containing groups, there 
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was very little difference among the various experimental groups. As such, it follows that 

in static cultures the ultimate production of ECM within the PCL scaffolds was highly 

dependent on the total number of cells present to secrete matrix throughout the culture 

duration. Furthermore, it appears as though the cellularity at the later time point was not 

dependent on the initial seeding density as the groups seeded with half the amount of 

cells initially, iAC 17.5 and iMSC 17.5, ultimately attained similar DNA contents as the 

other groups seeded with similar cell types but at twice the initial seeding density. One 

potential explanation for this behavior, is that within these fibrous scaffolds cells may 

proliferate to the point of overcrowding within 21 days of static culture possibly inducing 

a contact inhibition-like response [242, 243] 

SEM of scaffolds cultured statically for 14 and 21 days shows the surface is 

covered and appears similar for chondrocyte seeded scaffolds cultured statically (Figure 

6.3). Based on histology, there is a large amount of cells and ECM at the surface of the 

scaffolds as told by SEM. However differences among the groups lie within the interior 

of the scaffolds where the scaffolds seeded solely with chondrocytes, AC 35, iAC 35, and 

iAC17.5, show thorough distributions of cells and matrix within the scaffolds when 

dAC:MSC and MSC scaffolds are somewhat sparse in comparison (Figures 6.5 and 6.6). 

When compared to the DNA and ECM contents of the scaffolds, it follows that more 

thorough distributions of cells and ECM throughout the structure are correlated to higher 

quantities of DNA and ECM within the scaffold. This interplay between cellular 

distribution within a scaffold and its influence on proliferation and tissue development is 

oftentimes investigated under flow perfusion which has shown to lead to improved 

cellular distributions over static culture [7, 71, 243]. 
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In an earlier co-culture study conducted in serum-free media with TGF-β3 

supplementation, it was found that while MSCs gradually decrease in proportion 

throughout the culture period the co-cultures composed of as much as 75% MSCs 

initially led to increases in GAG content and improved collagen type II expression over 

chondrocyte cultures [189]. Additionally, based on rtPCR using species specific primers 

it was determined that within these direct co-cultures the majority of the chondrogenic 

expression originated from the chondrocytes; indicating that the MSCs had a stimulatory 

effect on the chondrocytes [189]. For purpose of our investigation, flow perfusion 

bioreactor culture was utilized to not only improve general gas and nutrient transport 

properties [7, 38, 238], but also to flush any factors secreted by the MSCs through the 

chondrocyte containing scaffolds in order to further examine the potential response due to 

paracrine signaling within indirect co-cultures. Moving from static to perfused culture, 

shorter culture durations were necessary in the bioreactor as extended periods of 

perfusion culture oftentimes fail due to cell proliferation and matrix deposition blocking 

the media flow path. Alternately, in order to observe significant differences in static 

culture longer culture durations are needed.  

As in static culture, the cartilage-like ECM synthetic capacities of the three 

chondrocyte containing co-culture groups showed no statistically significant differences 

(Figures 6.13b and 6.14b). However, unlike in static culture the two indirect co-culture 

groups, iAC 35 and iAC 17.5, resulted in significant increases in cellularity by day 14 

over the direct co-culture group with iAC 35 also showing a significant increase in ECM 

content over the direct co-culture group. Furthermore, the indirectly co-cultured 
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chondrocyte groups, regardless of initial seeding density, achieved similar cellularities as 

the chondrocyte-only group, AC 35. 

Within 14 days of culture under perfused flow all of the experimental groups 

exhibited approximately similar DNA contents as those observed in equal or greater 

durations of static culture.  Furthermore, bioreactor culture led to faster proliferation rates 

within the chondrocyte containing groups than static culture with significant changes 

observed at 5 and 10 days as opposed to 21 days in static (Figures 6.9 and 6.12 “x”). 

Similar results were observed previously, in that perfusion led to improved proliferation 

and GAG deposition by chondrocytes over static cultures [198]. While fluid flow had a 

significant influence on cellular proliferation in the chondrocyte containing groups, there 

was no significant change in the DNA content of the three MSC-only scaffolds regardless 

of co-culture. These results suggest that perfusion has more of an influence on 

chondrocyte proliferation than MSC growth regardless of co-culture. Additionally, the 

presence of MSCs in indirect co-culture did not appear to have a negative effect on 

chondrocyte growth which was a potential concern as nutrient limitations have shown to 

impose growth inhibition [242].  

While little proliferation or increase in ECM content was observed within the 

three MSC-only scaffolds in both static and perfused culture, for both iMSC groups the 

GAG synthetic capacity was higher than their iAC counterparts in the bioreactor (Figure 

6.13 “‡”). There was also a temporal increase in ECM synthetic capacity observed within 

the MSC indirect co-culture scaffolds, iMSC 35 and iMSC 17.5, while no change was 

observed within the MSC-only scaffolds, MSC 35 (Figures 6.13b and 6.14b). It is 

important to note that within the bioreactor design employed here, the indirect MSC 
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scaffolds were not directly perfused with media rather the scaffolds were cultured loosely 

within the media that would then flow through the chondrocyte containing scaffolds. As 

no change in ECM anabolic capacity was observed in static cultures or the media 

perfused MSC-only scaffolds, it follows that cellular secreted factors from indirect co-

culture resulted in improvement in the ECM production by MSCs. Additionally, indirect 

co-culture paired with bioreactor culture resulted in improved cellular localization and 

ECM distribution throughout the MSC-only scaffolds over static culture (Figures 6.5-6.8 

d14 (e)-(g)). As previous reports have focused on the effect of MSCs on matrix 

production by chondrocytes this alteration in MSC ECM synthetic capacity within 

indirect co-cultures was unexpected [189, 202, 223]. It is possible that direct co-culture 

has masked some of the subtle positive effects co-culture with chondrocytes has on 

MSCs. Various studies have indicated that MSCs secrete trophic factors including IGF-1, 

TGF-β, and BMP-2 which are known to have a positive effect on the chondrocytic 

phenotype [86, 244-246]. Conversely, this and other studies have shown that 

chondrocytes also influence the chondrogenic differentiation of MSCs, as evidenced by 

improved ECM synthetic capacity, through the secretion of paracrine factors such as 

parathyroid hormone–related protein [203, 209, 244, 247, 248]. In some cases, when 

cultured in separated co-culture with chondrocytes via Transwell® plates or treated with 

chondrocyte conditioned media MSCs have shown improved chondrogenesis and 

reduced hypertrophy [187, 188, 203, 209].  From these various results, it appears that the 

relationship within chondrocyte and MSC co-cultures is complex and continued 

mechanistic work needs to be carried out in an effort to fully understand the 
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communication occurring between these two cell types in an effort to improve tissue 

regeneration.  

6.5. Conclusions 

The objective of this study was to examine the influence of direct cell-cell contact 

in co-cultures of MSCs and chondrocytes on the deposition of cartilage-like ECM within 

nonwoven fibrous PCL scaffolds. In static culture, the indirectly co-cultured 

chondrocytes with the lower seeding density led to significant increases in cellularity and 

ECM content over the direct co-cultures of chondrocytes and MSCs despite being seeded 

with the same number of chondrocytes initially. Within static cultures, the ultimate 

production of ECM within the PCL scaffolds was highly dependent on the number of 

cells present to secrete matrix and their distribution in the scaffold. However, ECM 

production was not contingent on the initial number of cells seeded. Perfused culture has 

previously shown to result in improved distributions in 3D scaffolds, and was utilized 

here to examine the interplay between direct and indirect co-culture in another manner. 

Fluid flow had more of a significant effect on the proliferation of chondrocytes than on 

MSCs. Additionally, within bioreactor culture there were indications that chondrocytes 

had an influence on the chondrogenesis of MSCs as evidenced by increases in 

cartilaginous ECM synthetic capacity. These results indicate that polymer/ECM hybrid 

scaffolds may be formed by utilizing the factors secreted by two different cell types, 

chondrocytes and MSCs, even in the absence of direct cell-cell contact.  
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Chapter 7 

Fabrication and Characterization of 

Multiscale Electrospun Scaffolds for 

Cartilage Regeneration
6
 

Abstract: Recently, scaffolds for tissue regeneration purposes have been observed to 

utilize nanoscale features in an effort to reap the cellular benefits of scaffold features 

resembling extracellular matrix (ECM) components. However, one complication 

surrounding electrospun nanofibers is limited cellular infiltration. One method to 

ameliorate this negative effect is by incorporating nanofibers into microfibrous scaffolds. 

This study shows that it is feasible to fabricate electrospun scaffolds containing two 

                                                 

 

6
 This chapter was published as: Levorson EJ, Sreerekha PR, Chennazhi KP, Kasper FK, 

Nair SV, Mikos AG. Fabrication and Characterization of Multiscale Electrospun 

Scaffolds for Cartilage Regeneration. Biomedical Materials 8 (1): 014103, 2013. 
 
 

 



 172 

differently scaled fibers interspersed evenly throughout the entire construct as well as 

scaffolds containing fibers composed of two discrete materials, specifically fibrin and 

poly(ε-caprolactone). In order to accomplish this, multiscale fibrous scaffolds of different 

compositions were generated using a dual extrusion electrospinning setup with a rotating 

mandrel. These scaffolds were then characterized for fiber diameter, porosity and pore 

size and seeded with human mesenchymal stem cells to assess the influence of scaffold 

architecture and composition on cellular responses as determined by cellularity, histology 

and glycosaminoglycan (GAG) content. Analysis revealed that nanofibers within a 

microfiber mesh function to maintain scaffold cellularity under serum-free conditions as 

well as aid the deposition of GAGs. This supports the hypothesis that scaffolds with 

constituents more closely resembling native ECM components may be beneficial for 

cartilage regeneration. 

7.1.  Introduction 

Fibrous scaffolds are commonly used in tissue engineering due to their 

characteristic high porosities and interconnected pores, which have been shown to 

facilitate cellular infiltration and homogenous tissue regeneration [71, 79, 249]. Previous 

reports have indicated that the size scale of the fibers in such a scaffold can have a 

significant effect on tissue development. Specifically, nanoscale features are desired 

because they more closely resemble components of a native extracellular matrix (ECM) 

such as collagen fibers [250-252]. However, it is also fairly well accepted that high 

concentrations of nanoscale fibers often lead to increased cell spreading and limited 

cellular infiltration [39, 138]. For this reason, the logical progression is to fabricate 
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scaffolds that combine microfibers with nanofibers, in an effort to maintain larger pore 

sizes, while harnessing the positive effects of nanofibers, such as increased cellular 

attachment as well as improved differentiation and ECM production [8]. While previous 

efforts have combined nanofibers with microfibers to form multiscale scaffolds in a 

layer-by-layer electrospinning approach or by combining electrospinning with three-

dimensional melt deposition, few efforts report the fabrication of a completely 

electrospun multiscale scaffold generated by continuous means with a relatively 

homogenous distribution of micro and nanofibers throughout the entire scaffold [39, 126, 

138, 140, 153, 155]. Soliman et al describe a method whereby multiscale scaffolds are 

formed by dual extrusion of fibers onto a flat stage pivoting orthogonally to the collection 

surface to facilitate fiber mixing [148]. An alternative fiber mixing strategy is 

demonstrated in this work in which a cylindrical rotating mandrel is used to collect the 

electrospun fibers. 

With the notion of creating scaffolds of varied internal structures or size scales 

comes the concept of altering the material composition in an effort to exact a more 

favorable cellular response. As in any field of tissue engineering, both natural and 

synthetic materials are being explored for generating engineered cartilage. Natural 

biomaterials for cartilage engineering tend to be either protein, such as collagen and 

fibrin [215, 234, 253, 254], or polysaccharide based, such as alginate and chitosan [255-

260]. The benefit of using natural materials is that they innately support cell attachment 

and proliferation and are generally biodegradable. Alternatively, the properties of 

synthetic materials are easily reproducible and tunable with known degradation rates and 

low immunogenicity. A scaffold which is able to combine fibers of a synthetic polymer 
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to harness its reproducible properties with some fibers of a natural composition to 

improve cellular responses could be quite advantageous. Recently, it was confirmed that 

fibrin may be electrospun into nanofibrous structures [261]. This offers a unique 

opportunity to generate a completely electrospun composite fibrous scaffold by 

uninterrupted methods containing differently scaled fibers composed of two separate 

materials, specifically, a highly bioactive natural material such as fibrin and a synthetic 

material such as poly(ε-caprolactone) (PCL). 

The objective of this study was to demonstrate the feasibility of fabricating 

electrospun scaffolds consisting of two differently scaled fibers interspersed evenly 

throughout an entire construct as well as scaffolds containing fibers composed of two 

individual materials, specifically fibrin and PCL. These different scaffold types were then 

characterized and examined to determine whether the presence of nanofibers, either 

synthetic or natural, within a mesh of microfibers had any effect on cellularity and 

glycosaminoglycan (GAG) deposition over scaffolds composed solely of microfibers. It 

was hypothesized that scaffolds containing bioactive nanofibers composed of fibrin 

would lead to improved cellular proliferation, distribution and GAG production when 

compared to scaffolds composed entirely of PCL regardless of scaffold architecture. 

7.2. Methods 

7.2.1. Electrospinning 

Scaffolds containing PCL microfibers (Pµ), PCL microfibers with PCL 

nanofibers (PµPn), and PCL microfibers and fibrin nanofibers (PµFn) were electrospun 
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using a dual extrusion process with a rotating mandrel to ensure thorough mixing of the 

two fiber types (Figure 7.1). The mandrel (Ø = 4.8 cm) was set to rotate at a maximum 

speed of 120 RPM to facilitate fiber mixing without resulting in aligned fibers. 

Microfibers were fabricated using a 35% (w/v) PCL (MW = 43 000–50 000, 

Polysciences, Warrington, PA) solution in a 5:1 (v/v) ratio of chloroform: methanol 

extruded at a rate of 8 mL/hr with 7 kV applied voltage. Prior to electrospinning, 

fibrinogen was isolated from human plasma by cryoprecipitation as previously described 

[261, 262]. Fibrin nanofibers were generated using previously described methods [261]. 

Specifically, 50 mg/mL fibrinogen in 6% (w/v) poly(vinyl alcohol) (PVA) and 300 U 

thrombin (Merck, Darmstadt, Germany) in 8% (w/v) PVA with 10 mM calcium chloride 

were co-extruded from separate syringes through a mixing applicator tip at a rate of 

0.4 mL/hr with an applied voltage of 18 kV. PCL nanofibers were fabricated using a 32% 

(w/v) PCL solution in formic acid extruded at a rate of 0.1 mL/hr with a 13 kV applied 

voltage. Prior to sterilization for cell seeding, meshes containing PCL nanofibers were 

washed thoroughly with phosphate buffered saline (PBS) and air dried for one day to 

remove any residual formic acid. 
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Figure 7.1 Dual extrusion electrospinning with a rotating mandrel. 

 

7.2.2. Scaffold morphology 

Electrospun scaffolds were mounted on aluminum stubs and sputter-coated with 

20 nm of gold prior to imaging with a scanning electron microscope (SEM) (FEI Quanta 

400 ESEM FEG, FEI Co, Hillsboro, OR). The average microfiber diameter for each 

scaffold type was determined from six separate SEM images taken at 

1000× magnification from three random locations on the electrospun mat. On each SEM 

image, the diameter of five fibers was measured using the manufacturer supplied 

software for a total of 30 discrete measurements per scaffold type. Nanofibers were 

measured from SEM images of three random locations on the electrospun mat taken at 

15 000× with ten fibers measured per location for a total of 30 separate measurements. 

Furthermore, two discs (Ø = 6 mm) from different locations on each type of fibrous mat 

generated were taken and prepared for SEM imaging of a scaffold vertical cross-section. 

To accomplish this, each die cut scaffold was submerged in liquid nitrogen for 1 min to 
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aid in achieving a clean vertical cross-section. After the scaffolds were thoroughly frozen, 

they were sectioned perpendicular to the scaffold face into thin slices using a microtome 

blade, mounted on aluminum stubs, sputter-coated, and imaged via SEM. 

7.2.3. Scaffold porosity 

The porosity and pore size of the electrospun meshes were determined via 

mercury intrusion porosimetry. First, the bulk volume and weight of each scaffold were 

measured. Scaffolds were then placed individually in a mercury porosimeter 

(Quantachrome Instruments, Boynton Beach, FL) which forced mercury through the 

pores of the scaffolds (n = 3) ultimately reaching a final pressure of 50 psi. For the 

contact angle between PCL and mercury in air, an angle of 140° was used as reported in 

previous work [39]. The porosity (ε) was then calculated as: 

  
     

      
 
  
      

Equation 7.1. Porosity 

 

in which the pore volume (Vpore) was estimated as the volume of intruded mercury per 

gram of scaffold and ρ is the density of PCL. The pore size was computed from the 

volume versus pressure data using the manufacturer supplied software (Quantachrome 

Poremaster for Windows, version 8). For mercury porosimetry calculations regarding the 

PµFn scaffolds, it was assumed that the effect of fibrin on the bulk material density was 

negligible. Thus for these scaffolds the bulk material density was assumed to be equal to 

that of PCL alone. 
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7.2.4. Cell isolation and expansion 

Human mesenchymal stem cells (hMSCs) were isolated from umbilical cord 

blood using a Ficoll-Paque gradient (Amersham-Pharmacia), plastic adherence selection 

and flow cytometry verification of the MSC phenotype as previously described [261]. 

Specifically, the cell population isolated with flow cytometry displayed positive 

expression of surface markers CD29, CD44, CD73 and CD90 and negative expression of 

markers CD31, CD33, CD34 and CD45 which are often used to indicate the MSC 

phenotype [184, 263-265]. Similarly sourced cells have been previously shown to 

successfully differentiate toward the osteoblastic and chondrocytic lineages [264-267]. 

After isolation, cells were expanded in general growth medium containing Iscove's 

Modified Dulbecco's Medium (Gibco), 10% MSC-qualified fetal bovine serum (FBS) 

(Gibco), 10% general FBS (Gibco), as well as 1% penicillin–streptomycin. 

7.2.5. Cell seeding and culture 

Electrospun scaffolds were die cut into discs of 6.2 mm in diameter and ethylene 

oxide sterilized. Only scaffolds 0.4–0.6 mm thick were used for cell studies. Prior to 

seeding, scaffolds were sterilely pre-wet using a decreasing ethanol gradient (90–35%), 

rinsed with sterile water and centrifuged, and then incubated in general growth medium 

overnight. The pre-wet scaffolds were then pressfit into 96 well plates and seeded with 

75 000 passage 6 hMSCs per scaffold. Seeded scaffolds were then incubated for a 3 hr 

pre-attachment period. After the pre-attachment period, the wells were filled with 

chondrogenic medium containing Dulbecco's Modified Eagle's Medium (Gibco), 1% 

ITS
+
 premix (BD Biosciences), 50 mg/L ascorbic acid, 10

−7
 M dexamethasone and 
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0.4 mM L-proline, and incubated for the remaining 24 hr attachment period. Day 0 

samples were prepared for analysis after the 3 hr pre-attachment period. After the 24 hr 

attachment period, the scaffolds were unconfined from the 96 well plates and placed in 

24 well plates with chondrogenic medium for the duration of the study. Medium was 

changed every three days. Samples were taken at days 0, 7, 14, and 21, washed with PBS 

3×, and prepared for analysis. 

7.2.6. Construct imaging 

For visualization via SEM, cultured constructs were fixed by incubating with 2% 

glutaraldehyde for 1 hr. Samples were then dehydrated using an increasing ethanol 

gradient (30–90%) and dried. The samples (n = 2) were then sputter-coated with 20 nm 

gold and imaged using SEM (JSM-6490LA, Tokyo, Japan) to visualize cell spreading and 

ECM production on the surface of the different scaffold types. 

7.2.7. In preparation Histology 

At each time point, samples (n = 2) were fixed in 10% buffered paraformaldehyde 

overnight at 4 °C. Scaffolds were then dehydrated using an increasing ethanol gradient 

(30–90%) and stored in 100% isopropanol at 4 °C. Prior to sectioning, samples were 

embedded in HistoPrep frozen tissue embedding medium (Fisher Scientific, Pittsburgh, 

PA). A cryotome (CM1850, Leica Microsystems, Bannockburn, IL) was used to cut 

sections 8 µm thick which were then mounted on glass slides and incubated on a slide 

warmer at 45 °C for a minimum of five days. 
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To visualize the cartilage-like ECM produced, sections were rehydrated with 

water and then stained with 0.1% safranin O for 5 min. The slides were then rinsed with 

water and air dried. Stained sections were imaged with a light microscope (Zeiss 

AxioImager.Z2, Göttingen, Germany) using a peripheral camera (AxioCam MRc 5, 

Zeiss, Göttingen, Germany) and computer. Automatic exposure and white balance 

correction were applied to the captured images using the manufacturer supplied software 

(AxioVision 4.8, Zeiss, Göttingen, Germany). 

In order to visualize cellular infiltration of the different scaffold architectures, 

sections were also stained with Fast Green FCF (Sigma). Sections were first washed with 

1% acetic acid and then treated with 0.02% Fast Green FCF for 3 min at which point the 

slides were then rinsed with 1% acetic acid. The stained sections were imaged using a 

light microscope with automatic exposure and white balance correction applied using the 

manufacturer supplied software. 

For confocal imaging, samples (n = 2) were fixed in 4% paraformaldehyde for 

20 min and then rinsed with PBS. Cell membranes were permeabilized with 0.5% Triton 

X-100 in PBS for 10 min and then washed with 1% FBS and PBS to minimize 

background staining. Finally, the cells were stained for F-actin with 1:1000 Texas Red-X 

phalloidin (molecular probes) in PBS for 1 hr. Samples were rinsed with PBS to remove 

any unconjugated probes. The stained scaffolds were imaged at 594 and 488 nm 

wavelengths and 20× magnification using a confocal microscope (Leica TCS SP5 II). In 

addition to composite z-stack images, image slices were viewed separately in succession 

to examine individual cellular morphologies. 
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7.2.8. Biochemical assays 

In an effort to determine the cellularity and GAG content of the scaffolds at the 

various time points, samples (n = 4) were initially placed in 0.5 mL of water and frozen 

at −80 °C. The samples were then treated with three freeze/thaw/sonicate cycles resulting 

in a cell lysate. The DNA content of the cell lysate was then quantified using the 

fluorometric PicoGreen assay kit (Molecular Probes, Eugene, OR) with an excitation 

wavelength of 490 nm and an emission wavelength of 520 nm. The dsDNA standards and 

samples were run side by side in triplicate to calculate the DNA content per scaffold. 

Prior to quantifying GAG content, scaffolds were removed from the cell lysate 

used in determining DNA content and digested at 56 °C in 0.5 mL of proteinase K 

(1 mg/mL proteinase K, 185 µg/mL iodacetamide and 10 µg/mL pepstatin A in 

Tris/EDTA buffer containing 6.055 mg/mL tris(hydroxymethyl aminomethane and 

372 µg/mL EDTA at pH 7.6). GAG content was then quantified using the 1,9-

dimethymethylene blue (DMMB) assay and measured at 520 nm using a microplate 

reader (BIO-TEK Instrument, Winooski, VT). Chondroitin sulfate standards, cell lysate 

samples and proteinase K digest samples were all run in duplicate and then averaged to 

adjust for any experimental error. GAG concentrations determined from the cell lysate 

and proteinase K digest for each individual sample were summed to determine the final 

GAG content for each sample. 

7.2.9. Statistical methods 

Scaffold characteristics and biochemical assay results are reported as means ± 

standard deviation. A one-way ANOVA was performed to evaluate significant 
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differences (p < 0.05) in fiber diameter, porosity and pore size. A two-way ANOVA was 

performed to evaluate significant differences (p < 0.05) in construct cellularity and ECM 

content. If significant difference was determined, the Tukey's HSD test was performed to 

make multiple comparisons between groups. 

7.3. Results 

7.3.1. Scaffold characterization 

SEM images of the different scaffold types demonstrated that it was possible to 

fabricate electrospun mats using continuous methods to create scaffolds of two different 

fiber scales as well as two different materials (Figure 7.2). Images of vertical scaffold 

cross-sections taken using SEM revealed that when nanofibers were incorporated into a 

microfiber mesh using the dual extrusion electrospinning process with a rotating mandrel, 

nanofibers were truly interspersed throughout the entire construct (Figure 7.2(g)–(i)). 

These images also showed that, with respect to volume, the nanofiber containing 

scaffolds were composed of more microfibers than nanofibers due to the much lower 

polymer extrusion rates necessary to produce nanofibers compared to microfibers. The 

scaffolds that were generated consisted of fairly similarly sized microfibers with averages 

between 8.8 and 10.1 µm. It is important to note, however, that the PµFn scaffold fiber 

diameter (8.8 ± 1.1 µm) was significantly lower than the other two scaffold types (Table 

7.1).  
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Figure 7.2 SEM images of different electrospun scaffolds generated. 

Different electrospun scaffold architectures and compositions formed: (a), (d) Pμ, (b), (e) 

PμPn, (c), ( f) PμFn. Vertical cross-sections of the different scaffolds show the 

distribution of nanofibers with respect to microfibers throughout the thickness of the 

scaffold: (g) Pμ, (h) PμPn, (i) PμFn. 

 

Despite having a smaller average microfiber diameter, the PµFn scaffolds still 

displayed porosities similar to PµPn scaffolds as well as significantly higher porosities 

than microfibers alone. Examining the nanofibers in the PµPn and PµFn scaffolds, it was 

observed that nanofibers, regardless of composition, exhibited diameters that were 

primarily less than 400 nm when using these methods of fabrication. Furthermore, it was 

evident that the PµPn scaffolds contained a higher density of nanofibers than the PµFn 
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scaffolds due to the different extrusion rates necessary to stably electrospin the differently 

composed nanofibers. 

Table 7.1 Scaffold characteristics. 

Scaffold characteristics including average micro and nanofiber diameters, porosity, and 

pore size. Within a particular characteristic, a scaffold type which is determined to be 

statistically different from both of the other scaffold types is indicated by an asterisk, "*" 

(p<0.05). 

Characteristic Pμ PμPn PμFn 

Microfiber 

Diameter (μm) 
10.1 ± 1.1 9.8 ± 1.4 8.8 ± 1.1* 

Nanofiber 

Diameter (nm) 
0 ± 0* 194.6 ± 45.9* 250.0 ± 50.2* 

Porosity (%) 86.5 ± 0.4* 91.8 ± 1.7 90.0 ± 0.7 

Pore Size (μm) 32.8 ± 0.1* 13.4 ± 2.5* 28.1 ± 1.3* 

 

Porosity as determined by mercury intrusion demonstrated that the scaffolds 

exhibited reasonably high porosities even with the incorporation of nanofibers. In fact, 

the Pµ scaffolds had a significantly lower porosity than the other two scaffold groups 

which featured nanofibers. Despite displaying a lower porosity than the other two 

scaffold types, the Pµ scaffolds bore significantly larger pore sizes than the scaffolds 

containing nanofibers. Additionally, the PµPn scaffolds, which had the highest density of 

nanofibers as seen in SEM images, exhibited the smallest average pore size of all of the 

scaffold types. 

7.3.2. Construct imaging 

From confocal images, it was seen that after only 3 hr, cell spreading was evident 

on all three scaffold types (Figure 7.3). However, on the PµPn scaffolds cells appeared to 

display a flattened, broad polygonal morphology, while cells on the Pµ and PµFn 
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scaffolds exhibited more elongated and spindle-like morphologies, as indicated with 

arrows included in Figure 7.3. Likewise, hMSCs on the PµPn scaffolds displayed a 

different pattern of cell localization as compared to the other two scaffold types. In this 

case, cells on Pµ and PµFn scaffolds were primarily attached and spread along 

microfibers, while the cells on the PµPn scaffolds appeared to span the area between the 

microfibers more often than on the other two scaffold types. 

 

Figure 7.3 Confocal images after 3 hr attachment.  

Composite z-stack confocal images showing spreading and arrangement of phalloidin 

labeled cells highlighting F-actin (red) on day 0 (a) Pμ (b) PμPn and (c) PμFn scaffolds 

(green). Arrows indicate examples of individual cell morphologies and arrangements. 

 

Scanning electron micrographs revealed that throughout the entire culture period 

cells and ECM appeared denser on the surface of scaffolds containing PCL nanofibers 

(Figure 7.4). Similarly, early in the culture duration scaffolds containing nanofibers, 

PµPn and PµFn, displayed more cells and ECM on the scaffold surface. At a later culture 

duration, it was observed that fewer cells and ECM were located on the surface of the Pµ 

and PµFn scaffolds, while the surface of the PµPn scaffolds was almost completely 

coated with cells and ECM. 
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Figure 7.4 SEM images of cells and ECM deposition.  

SEM images of constructs showing cells and ECM deposition on the surface of (a), (d) 

Pμ, (b), (e) PμPn, and (c), ( f) PμFn scaffolds on (a), (b), (c) day 7 and (d), (e), ( f ) day 

21. 

 

7.3.3. Histology 

In an effort to examine the production and deposition of ECM within the different 

scaffolds as well as cellular infiltration, samples from each time point were cryosectioned 

and stained with either safranin O for GAGs (Figure 7.5) or Fast Green for cytoplasm 

(Figure 7.6). Looking at safranin O staining, negligible staining was seen at day 0 as 

expected. However as time progressed, scaffolds containing nanofibers (PµPn and PµFn) 

exhibited more deposition of GAGs than scaffolds composed of microfibers alone (Pµ) as 

was seen on the day 21 histological sections in Figure 7.5. On the PµFn scaffolds, GAG 

deposits were seen deep within the interior of the scaffold in addition to the coating on 

the surface. These outcomes confirm the result of the DMMB biochemical assay for 

GAG content.  
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Figure 7.5 Safranin O staining for GAGs.  

GAG localization in (a), (b), (c) day 0 and (d), (e), ( f ) day 21 histological sections for 

(a), (d) Pμ, (b), (e) PμPn, and (c), ( f) PμFn scaffolds. Arrows indicate regions of staining 

within the interior of the construct. Scale bars represent 100 μm. 

 

 

Figure 7.6 Fast Green staining for cell distribution. 

Cell localization in (a) Pμ day 21, (b) PμPn day 21, and (c) PμFn day 21 scaffolds. 

Arrows indicate regions of staining within the interior of the construct. Scale bars 

represent 100 μm. 

 

With respect to cellular infiltration as viewed by Fast Green staining, it appeared 

that maximum cellular depth was fairly similar in all three scaffold types (Figure 7.6). In 
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the uppermost portion of the scaffolds, the PµPn scaffolds displayed a more scattered 

distribution of cells while cells were primarily located on the surface of the other two 

scaffold types. However, while images showed a higher occurrence of Fast Green 

staining in the upper half of the PµPn scaffolds, the Pµ and PµFn scaffolds appeared to 

exhibit greater Fast Green staining at the ultimate depth of infiltration than was observed 

in the PµPn group. 

7.3.4. Biochemical assays 

None of the scaffold types displayed a significant increase or decrease in total 

DNA content throughout time with respect to the initial cell seeding suspension (Figure 

7.7). This demonstrated that cell numbers remained fairly constant throughout the 

duration of the study regardless of scaffold composition and architecture. 

 

Figure 7.7 Scaffold cellularity. 

Scaffold cellularities as determined by total DNA content per scaffold. In this instance, 

the group indicated as ‘cells’ denotes the DNA content of the initial cell suspension used 

to seed each of the scaffold types on day 0. DNA contents are represented as mean ± 

standard deviation for n = 4 samples. 
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To assess the effect of scaffold architecture on the production of GAGs, a 

common cartilaginous ECM component, by hMSCs, the DMMB biochemical assay for 

sulfated GAGs was performed. At day 14, the PµFn samples displayed significantly 

higher GAG contents (0.87 ± 0.2 µg per scaffold) than both of the other scaffold types at 

the various time points with exception to the PµPn samples on day 14 (0.46 ± 0.2 µg per 

scaffold) (Figure 7.8). No significant difference was observed in GAG deposition with 

respect to time for any of the three scaffold types. When GAG content was normalized to 

DNA content, trends appeared similar to those of the GAG data that was not normalized 

(Figure 7.9). However, there was no statistically significant difference in normalized 

GAG contents among the different scaffold types. Similarly, there was no statistical 

difference in GAG/DNA amounts with time for any scaffold type. 

 

Figure 7.8 GAG content of scaffolds. 

GAG contents at days 0, 7, 14, and 21 as determined by the DMMB assay. Significant 

difference in GAG content for different scaffold types is marked with an asterisk, ‘*’, for 

a specific time point. Statistical significance of a particular scaffold type at a specific 

culture period compared to both of the other scaffold types at every other time point is 

indicated by a ‘‡’. 
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Figure 7.9 GAG synthetic capacity. 

GAG content normalized by total DNA content per scaffold at days 0, 7, 14 and 21 as 

determined by the DMMB assay. Normalized GAG contents are represented as mean ± 

standard deviation for n = 4 samples. 

 

7.4. Discussion 

In order for tissue engineering to progress, it is becoming increasingly important 

to develop materials that function beyond mere support structures for cells. Previous 

work has shown that electrospun PCL scaffolds support the attachment and deposition of 

cartilage-like ECM by chondrocytes and MSCs possibly because the three-dimensional 

architecture of electrospun PCL resembles the morphology of collagenous ECM [6, 251]. 

As such, it follows that scaffolds more closely resembling the scale and architecture of 

native ECM would lead to improved cellular responses. Previous studies have shown that 

scaffolds containing both micro and nanofibers result in better cellular adhesion, viability 

and scaffold infiltration as well as ECM production when compared to single-scaled fiber 

controls [126, 140, 143, 148, 155]. The benefit of multiscale fibrous scaffold generation 

by continuous means as investigated here over previously described methods, such as 
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tandem melt deposition with electrospinning or layer-by-layer electrospinning, is that 

fabrication via the dual extrusion method with a rotating mandrel offers more 

reproducibility due to fewer steps and minimized human influence on fabrication. Also, 

scaffolds formed in this manner demonstrate a homogenous distribution of micro and 

nanofibers throughout the entire scaffold while other fabrication techniques often lead to 

stratified compositions. While Soliman et al showed that simultaneous dual extrusion was 

useful for the production of multiscale fibrous scaffolds, methods described in the current 

work demonstrate the added value of fabricating scaffolds with fibers composed of 

different materials in an uninterrupted fashion [148]. This additional feature increases the 

capacity of this system to fine-tune the generation of a particular scaffold for a specific 

application. 

To examine the cellular response to nanofibers while trying to maintain larger 

pore sizes for cellular infiltration, different scaffolds were fabricated containing both 

micro and nanofibers. This was accomplished by extruding polymer solutions at different 

rates and applied voltages from opposite sides of a rotating mandrel. In this manner, 

scaffolds containing both micro and nanofibers as well as fibers of two different 

materials, PCL and fibrin, were generated. A higher voltage was needed to produce fibrin 

nanofibers in a reproducible manner than was needed for the production of PCL 

nanofibers, quite possibly due to a difference in viscosity, surface tension and/or 

conductivity of the polymer solutions used. As a result of this difference, the diameter of 

the microfibers within the PµFn scaffolds was significantly lower than that of the 

microfibers in the other two scaffold types. It is likely that the change in the electric field 

of the whole system was responsible for the observed slight decrease in PCL microfiber 
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diameter for the PµFn scaffolds compared to the PµPn scaffolds. Images of vertical 

scaffold cross-sections demonstrated that this fabrication method was successful in 

generating scaffolds in which the different fiber types were well mixed throughout the 

entire scaffold (Figure 7.2 (g)–(i)). The nanofiber containing scaffolds that were 

generated contained visibly different nanofiber densities with the PµPn scaffolds 

exhibiting more densely packed nanofibers. As a result, despite having comparable 

porosities, the PµPn scaffolds displayed smaller pore sizes than the PµFn scaffolds. 

Confocal images taken shortly after cell attachment showed that hMSCs on 

scaffolds containing PCL nanofibers, PµPn, were broad and flattened and appeared to 

span inter-microfiber gaps (Figure 7.3). Likewise, SEM and histology images revealed 

that scaffolds containing PCL nanofibers exhibited a surface densely coated with cells 

and ECM. This is possibly due to the smaller pore sizes of the PµPn scaffolds as a result 

of dense nanofiber packing which could partially restrict cellular infiltration. Fast Green 

staining of histological sections supports this theory, showing that while the maximum 

cellular infiltration was similar for all three scaffold types, proportionally more of the 

cells in the PµPn scaffolds remained in the upper region of the scaffold. Compared to the 

PµPn scaffolds, the Pµ and PµFn scaffolds appeared to exhibit greater Fast Green 

staining at the ultimate depth of infiltration. The difference in cellular infiltration patterns 

of the PµPn scaffolds in comparison to the Pµ and PµFn scaffolds may be due to the 

relative pore sizes of the different scaffold types. Similarly, it is possible that the 

distribution of nanofibers with respect to microfibers within the PµPn scaffolds provided 

a method to assist cells in spanning inter-microfiber gaps. These cellular bridges in turn 

may have resulted in the dispersion of cells in the upper portion of the scaffold, while 
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within this region Pµ and PµFn scaffolds displayed cells primarily on the scaffold 

surface. 

Confocal images taken 3 hr after initial cell attachment revealed that hMSCs on 

Pµ and PµFn scaffolds spread maintaining an elongated, spindle-like morphology 

characteristic of MSCs. On these two scaffolds, hMSCs primarily attached along the 

length of microfibers as seen in confocal and SEM images (Figures 7.3 and 7.4). In 

contrast, cells attached to PµPn scaffolds spread appearing broad and flat spanning the 

space between microfibers. As such, the cells spread on the nanofibers of the PµPn 

scaffolds resembling two-dimensional cultures as opposed to the intended three-

dimensional scaffold environment. Furthermore, the broad and flat hMSC morphology 

could potentially have an adverse effect on tissue development within a scaffold as 

previous studies have shown that a flat polygonal cell shape sometimes precedes reduced 

proliferation and chondrogenic differentiation capacity compared to more elongated cells 

with spindle-like morphologies [268-270]. 

In a serum-free culture environment without additional growth factors, it is not 

uncommon to see limited cellular proliferation [252, 271]. Here, there was neither a 

significant increase nor decrease in total DNA content of all scaffold types over the 

course of 21 days. This indicated that all three scaffold types were sufficient for 

supporting MSC culture. Sometimes it is desirable to induce increased cellular 

proliferation as greater cell numbers may lead to increased ECM deposition. However, as 

cells proliferate metabolic resources are somewhat allocated away from matrix 

production. In this fashion, when attempting to generate ample ECM within a polymeric 

scaffold, it is important to not only consider the effect of the scaffold on cellular 
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proliferation but also on the ECM content of the scaffolds as culture progresses. As such 

in addition to quantifying the DNA content of the different scaffold types over time, the 

GAG content of the scaffolds was also measured. From the DMMB biochemical assay, it 

was determined that PCL microfibers interspersed with fibrin nanofibers exhibited 

significantly higher GAG contents at day 14 than the PCL microfiber control group. 

Furthermore, at day 14 the PµFn samples contained more GAG total than both of the 

other scaffold types at the various time points with exception to the PµPn samples on day 

14. These results suggest that the presence of nanofibers, specifically fibrin nanofibers, 

within the scaffold had a positive influence on the production of GAGs by hMSCs in 

14 days of culture even in the absence of growth factors. It was hypothesized that the 

inclusion of nanofibers would lead to a significant increase in GAG production by the 

differentiating cells because nanoscale features more closely resemble the components of 

native ECM and as such may lead to improved cellular responses [251, 252]. However, 

both the total GAG content of the scaffolds and GAG/DNA amounts stayed relatively 

constant throughout the entire culture duration. One possible explanation for this is that 

some soluble GAGs produced by the cells may have diffused into the surrounding culture 

medium rather than remaining within the scaffold. Evidence of this behavior has been 

shown in previous studies measuring GAG content as a diagnostic of tissue engineered 

cartilage development as well as cartilage explant culture [6, 228, 229, 272]. 

Histological sections exhibited increased proteoglycan deposits with the 

incorporation of nanofibers within microfiber meshes as indicated by safranin O staining. 

This suggests that the cells responded to the nanofibers in the scaffolds by producing 

more ECM as compared to scaffolds composed of microfibers alone. This evidence 
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supports the hypothesis that a scaffold architecture more closely resembling a native 

ECM, whether it is with respect to scale or composition, could be advantageous for 

cartilage-like matrix production and deposition. 

While it is difficult to make direct comparisons between scaffolds that have been 

fabricated using different extrusion rates and post-fabrication processing techniques, this 

work does show that it is feasible to produce biodegradable nonwoven fibrous meshes 

composed of microfibers mixed with nanofibers throughout an entire scaffold. Also, it is 

possible to produce such multiscale scaffolds containing fibers of two discrete 

compositions. One of the limitations of the electrospinning technique is that processing 

parameters such as the extrusion flow rate and voltage are dependent on the polymer 

solution composition. Due to the processing limitations necessary to produce nanofibers 

from distinct compositions, it is necessary to further examine the effect extrusion rates 

have on scaffold characteristics and cellular responses. Cell culture on these multiscale 

scaffolds has shown that the inclusion of nanofibers does not negatively affect cell 

growth or matrix production. In fact, histological images suggest that the inclusion of 

nanofibers is beneficial toward the production and distribution of GAGs. The interaction 

between fiber composition, scale, porosity and pore size as related to the development of 

the ECM should be more closely studied. Future work should look to fine-tune the 

density of nanofibers with respect to microfibers in an effort to harness the positive 

influence of nanofibers on cellular responses, such as improved ECM production and cell 

attachment, while minimizing any negative effects such as limited infiltration. 
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Chapter 8 

Conclusions 

The overall purpose of this thesis work was to examine the incorporation of 

cartilage-like ECM within a fabricated polymer scaffold for the purpose of directing 

chondrogenic differentiation. The specific aims functioned to investigate two approaches 

towards developing these PCL/ECM composite scaffolds; via cell generated means using 

co-cultures or with fabrication by dual extrusion electrospinning. 

In Specific Aim 1 the optimization of a co-culture system functioning to utilize 

the communication between different ratios and seeding densities of chondrocytes and 

MSCs for matrix deposition was examined. While GAG production by the 3 co-culture 

groups was similar to chondrocyte-only controls, increasing proportions of chondrocytes 

resulted in the increase in collagen deposition. Based on histological and biochemical 

data, an equal proportion of chondrocytes and MSCs resulted in similar cartilage-like 

ECM deposition as chondrocyte-only controls. Furthermore, this was achieved with the 

lower cell density investigated. These results supported the hypothesis that co-cultures 
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may be utilized in an effort to produce cartilaginous matrix within a polymeric scaffold 

while minimizing the number of chondrocytes required. 

Following the optimization of these cultures, Specific Aim 2 investigated the 

devitalization of co-culture generated PCL/ECM constructs and the chondroinductive 

influence of the remaining ECM on reseeded MSCs cultured in serum-free conditions. 

Devitalization via freeze-thaw was successful at decellularizing the cell-generated 

PCL/ECM constructs as determined by DNA content and histology sections stained for 

cellular localization. However, the devitalization had a negative impact resulting in 

significant decreases in ECM contents of the scaffolds. Despite ultimately containing 

lower amounts of ECM, the PCL/ECM constructs generated using co-cultures composed 

of 50% chondrocytes elicited similar gene expression patterns as scaffolds generated by 

chondrocytes alone. Furthermore, these co-cultured PCL/ECM scaffolds led to positive 

chondrogenic gene expression patterns when compared to PCL controls. These results 

assert that co-cultures may be used to generate chondrogenic ECM and that functions 

similarly to the PCL/ECM scaffolds formed using chondrocytes alone. 

Upon determining that co-cultures could be used to not only generate similar 

quantities of cartilage-like ECM but also ECM that was similarly chondroinductive in 

nature compared to chondrocyte generated PCL/ECM, the nature of the cell 

communication was investigated. Specific Aim 3 examined the influence of paracrine and 

juxtacrine signaling on ECM matrix production in indirect and direct co-cultures of 

chondrocytes and MSCs using static and flow perfusion bioreactor culture. In static 

cultures, the ultimate production of ECM within the PCL scaffolds was highly dependent 

on the ultimate number of cells in the scaffold and their distributions; however was not 
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contingent upon the initial number of cells seeded. Moreover, the indirectly co-cultured 

chondrocyte groups either approximated or surpassed the collagen and GAG contents 

generated within the direct co-culture group under static conditions and flow perfusion. 

Additionally, based on bioreactor culture it was determined that chondrocytes may have 

impacted the chondrogenesis of MSCs based upon an increase in cartilage-like ECM 

synthetic capacity. These results showed that co-culture generated PCL/ECM scaffolds 

may be generated in the absence of direct cell-cell contact. 

Specific Aim 4 took a different approach to producing PCL/ECM scaffolds than 

by cellular means. In this aim, the influence of scaffold architecture and composition was 

explored by fabricating microfibrous scaffolds containing nanofibers resembling matrix 

components in both scale and composition. These multiscale scaffolds were successfully 

produced using dual extrusion electrospinning coupled with a rotating mandrel. In doing 

so, this demonstrated that scaffolds composed of different fiber scales, micro and 

nanoscale, and material compositions, PCL and fibrin, could be formed in a continuous 

manner with mixing throughout the scaffold. MSCs cultured on these scaffolds in serum-

free conditions proved that the multiscale scaffolds were capable of maintaining 

cellularities. Furthermore, the presence of nanofibers supported GAG deposition by 

MSCs indicating that these multiscale scaffolds exhibiting the characteristics of native 

ECM may be advantageous for cartilage engineering. 

Investigating these specific aims has led to an improved understanding of the 

relationship between two cell types of the chondrogenic niche, chondrocytes and MSCs. 

Co-cultures enable the reduction of the initial number of chondrocytes needed to produce 

cartilage-like ECM that is chondrogenic in nature. Furthermore, it has been determined 
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that juxtacrine signaling is not necessary to elicit the positive effects of co-culture on 

ECM deposition. Looking beyond cell generated constructs to other methods of 

fabrication, dual extrusion electrospinning is a successful method for producing scaffolds 

with different fiber scales and composition to better control the characteristics of the 

scaffold in an effort to improve the biological response elicited. 
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