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Introduction 

Imagination is more important than knowledge 
 

Albert Einstein (1879 – 1955) 
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Chapter 1 
 

General Introduction and Aims 
 

issue engineering has been defined as an interdisciplinary field that integrates 
principles of engineering and life sciences to develop biological substitutes that 
restore, maintain, or improve tissue function [1]. Three main gears are 

generally needed to achieve tissue regeneration: cell-based therapies, tissue-inducing 
factors, and biocompatible matrices or scaffolds. These components have been 
investigated singularly or in combination to create engineered tissues. Since the use 
of cell-interacting and/or biofactors-releasing scaffolds demonstrated to improve the 
quality of tissue engineering applications, it is of interest to look at how these 
scaffolds can be further improved to obtain a better control over the multiple 
functionalities of a regenerating tissue.  
In its broadest meaning scaffolds used in medicine can be traced back until the 
ancient times of the Incas, as they were used by surgeons to repair cranial defects 
(cranioplasty) and consisted of molded materials such as gourds, gold, and silver [2]. 
However, we have to wait until 1668 to have the first successful case reported in 
literature by Job Janszoon van Meekeren – a surgeon from Amsterdam – where a 
scaffold or graft was used to repair a bone defect [3]. Since then, many 
developments have occurred in the field of tissue substitutes or grafts. Among 
others, Ollier was one of the first to introduce and explain the notions of autograft, 
allograft, and xenograft [4], where these generally refer to tissue substitutes within 
the same individual, between individual of the same species, and between 
individuals of different species respectively. Yet, the concept of scaffolding as a 
porous matrix or as an implant in which cells can slowly infiltrate and regenerate 
the local tissue was first introduced by Barth in 1893 [5], and it is only in the last 
two decades that it has been extensively used to indicate natural or synthetic 
substrates that can temporarily support cells [6-8] and direct their fate towards 
appropriate cell-material interactions and release of biological factors [9-11]. 
Therefore, generally speaking scaffolds for medicine applications can be seen as 
tissue substitutes, grafts, or porous substrates that interact with cells to promote and 
maintain during time their differentiation state, in which they express and produce 
that specific “cocktail” of proteins and growth factors contributing to form a precise 
functional tissue. More formally, scaffolds are defined in the tissue engineering and 
biomaterials community as porous structures, usually polymeric, which serves as a 
substrate and guide for tissue regeneration (Williams Dictionary, 1999).  
Within this scenario, the fabrication methods and biomaterials used to make 
scaffolds for tissue engineering are first critically reviewed. Particular attention will 
be given to the rapid prototyping techniques and to the polymeric family mainly 
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used in this research. The aims and synopsis of the thesis will then be introduced to 
conduct the reader through the book.  
 
Scaffolds Fabrication Methods 
 
Biomaterial porous scaffolds are generally investigated for tissue engineering and 
controlled drug delivery applications as three dimensional (3D) means to vehicle 
medical treatments in specific locations [12-15] and to guide cell attachment, 
proliferation and differentiation into the tissue to regenerate [16-19]. Beyond the 
fact that these constructs must be biocompatible and possibly biodegradable and/or 
bioresorbable, they also have to offer an initial and adequate mechanical support 
for the seeded cells to integrate with the surrounding tissue, to facilitate regaining 
the original shape of the treated defect, and to provide the appropriate physico-
chemical properties to release a desired biological agent and/or to direct cells fate 
and the extra cellular matrix (ECM) produced by them into a specific tissue (figure 
1). Furthermore, a number of studies lately showed that the ability of scaffolds to 
control-release at least one biological signal may favor formation of tissues [20-22].  

 
Figure 1 – Schematic draw of the general material and biological requirements for a 3D scaffold in tissue 
engineering. 
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Many different techniques and devices have been developed to fabricate porous 3D 
scaffolds, each with its own advantages and drawbacks. Table 1 summarizes the 
main material processing and porosity creation techniques that are currently used to 
fabricate scaffolds for regenerative medicine. The introduction of rapid prototyping 
technologies in medical science led to a distinction between porogen- and mold-
based “conventional” techniques on the one hand, and model-, electrostatic-, and 
surface-based “novel” methods on the other. Conventional methods encompass 
fabrication technologies where the biomaterial is either mixed and molded with 
porogen agents that are selectively leached to create porosity, or processed to make 
textile fabrics. Novel model-based methods are based on computer aided design 
(CAD) and computer aided manufacturing (CAM) to build porous 3D scaffolds in a  

 

 
Table 1 – General material processing and porosity creation techniques associated to the biomaterials used 
and to the scaffold fabrication method. “All” refers to polymers, ceramics, and metals. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 2 – Comparison of conventional and novel fabrication techniques in terms of the ratio between 
the resolution and the surface roughness. S-based = Surface based techniques; FDM = Fused Deposition 
Modelling; SLS = Selective Laser Sintering; STL = Stereolithography; LA = Laser Ablation; 3DP = 3D 
Printing; E-based = Electrostatic based techniques. 
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layer-by-layer controlled manner. In case of electrostatic-based methods, a high 
voltage electric field is applied to destabilize a fluid biomaterial (solutions, gels, 
melts, slurries, or pastes) and form 3D scaffolds with micron- and nano-meter 
features. Figure 2 introduces a comparison of the fabrication techniques in terms of 
their resolution/surface roughness ratio. Generally, in prototype manufacturing 
applications this index should be optimized to achieve the minimal surface 
roughness. In this way a smooth surface as possible is coupled to the current 
limitation of the technique used. If prototyping is used in tissue engineering, 
however, surface roughness is desirable up to a certain extent – estimated as one or 
two order of magnitude lower than the technique resolution – due to its positive 
influence on cell attachment, morphology, and differentiation. Furthermore, the 
combination and integration of different conventional and novel technology 
platforms can be also envisioned to fabricate multifunctional 3D scaffolds that 
provide an improved interface with cells and with the human body. The most 
significant techniques are reviewed hereafter. 
 
Conventional Fabrication Methods 
 
Conventional scaffold fabrication techniques include fiber meshes and bonding, gas 
foaming, phase separation, freeze drying, and particulate leaching, among others. 
Fibrous non-woven, woven or knitted scaffolds can be fabricated from polymeric 
fibers manufactured with standard textile technologies [23-25]. These scaffolds, 
however, lack structural stability and consequently they can experience high 
deformations due to cells contractility and motility [26, 27]. To improve the 
mechanical properties a fiber bonding technique has been developed [28-30], where 
by applying a heat treatment, the fibers of the scaffolds are joined at the cross-
points. 
Alternatively, in gas foaming the polymer is saturated with carbon dioxide (CO2) at 
critical pressures to achieve high solubility of the gas in the polymer. When the gas 
pressure is brought back to the atmosphere pressure, the solubility of the CO2 in the 
polymer rapidly decreases, resulting in the formation of gas bubbles or enclosures of 
variable size [31-33]. A similar approach is applied in phase separation, where a 
polymer solution is quickly cooled at low temperatures to generate a liquid-liquid 
phase separation. The solution is quenched and a two-phase solid is formed. The 
solvent is then removed by sublimation to fabricate the porous scaffold [34-36]. 
Freeze drying is slightly different from phase separation, since the polymer solution 
is directly frozen or freeze-dried to yield porous scaffolds [36-38]. 
Particulate leaching consists of incorporating particles of a specific size (salt crystals 
or polymeric particles with defined shape and geometry) into a polymer solution, 
where the solvent used is a non-solvent for the particles. After evaporation of the 
solvent, a porous scaffold can be produced by leaching out the particles in a 
medium that is non-solvent for the polymeric scaffold [39-42]. These fabrication 
techniques have been broadly used to make 3D scaffolds for possible tissue 
engineering and drug release applications. However, a number of drawbacks can be 
outlined in their use for an optimal control of tissue formation and drug release 
profile. Although the pore size and shape of these matrices are controllable to some 
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extent, not completely interconnected and tortuous pathways are created, which is 
disadvantageous for nutrient supply and for effective release of biological signals. 
Pore tortuosity, which can be defined as the ratio of the actual length of the 
arbitrary pathway that a molecule has to cover to pass through a pore to the 
shortest linear distance, biases the distribution of viable cells within the scaffolds 
[43]. Since pore tortuosity is rather high in scaffolds fabricated with conventional 
techniques, cell viability is limited mostly to 0.5-1 mm in depth [44, 45]. Recent 
studies found that this phenomenon is also associated to a drop in the oxygen 
concentration from the outside to the center of the scaffold [46-48]. Furthermore, 
the incorporation of drugs, growth factors, or other biological agents is hampered 
by the processing conditions. In thermoplastic technologies the high temperatures 
involved in the manufacture can compromise the stability of the compound to be 
integrated, resulting in its denaturation and loss of activity. In solution-based 
techniques the solvents used can also hinder the stability of the desired biological 
factor due to a pH change, which will promote aggregation and loss of activity of 
the factor [34, 49]. In particulate leaching a further arising problem is connected to 
the efficiency of the agent incorporation, since during the washing step to create the 
porous scaffold part of the compound is washed away.  
 
Novel Fabrication Methods – Rapid Prototyping   
 
Among novel scaffold fabrication techniques, rapid prototyping systems appear to 
be the most promising to satisfy the many of the general requirements for a 
biomaterial, as they can process a wide number of biomaterials [50-52] in a 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 3 – Flow chart of CAD model-based novel fabrication technologies. 
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custom-made shape and with matching mechanical properties in comparison with 
the specific application considered [53-55]. The outcomes are three-dimensional 
(3D) scaffolds that possess fine tunable porosity, pore size and shape, and have a 
completely interconnected pore network, which allows a better cell migration and 
nutrient perfusion than 3D scaffolds fabricated with conventional techniques [44, 
46]. Figure 3 presents the general modeling concept at the base of rapid 
prototyping. Within the rapid prototyping systems, 3D fiber deposition (3DF) has  

 

  

  

  
Figure 4 – Scanning electron (SEM) and optical microscopy (OM) pictures showing some examples of 
biomaterials processable with 3D fiber deposition technique. (a) thermoplastic polymers (polyester amide 
– oxide); (b) demineralised bone matrix; (c) hydrogels (lutrol™ - in the insert cells encapsulated in the gel; 
courtesy of Fedorovich et al [60].); (d) PLA; (e) PEOT/PBT; (f) PEOT/PBT mcrospherical paste. Scale bar: 
(a-e) 1 mm; (f) 500 μm. 
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been lately investigated by our group to fabricate custom-made scaffolds and to 
modulate their mechanical properties for tissue engineering applications showing 
encouraging results [56-59]. In contrast, scaffolds fabricated with conventional 
techniques can still be shaped with custom-made molds, but it is more difficult to 
control their mechanical properties, pore size, shape and interconnectivity, resulting 
in nutrient limitations and cell apoptosis in the center of the construct as previously 
explained. Briefly, 3DF is a fused deposition modeling (FDM) technique, where 
molten thermoplastic polymers, hydrogels, and biomaterial pastes are extruded 
from a CAM controlled robotic unit on a stage in the form of a fiber. These 
filaments are deposited to form a layer and a 3D scaffold is built with a layer-by-
layer strategy, following a CAD pattern. As shown in figure 4, with this technique 
many different materials – including gels that encapsulate cells [60] – can be 
processed and organized in different architectures. Different fiber architecture can be 
achieved, resulting in different pore shapes (figure 5). Moreover, the possibility to 
acquire computer tomography (CT) or magnetic resonant imaging (MRI) anatomical 
data from patient datasets offers the fascinating possibility to fabricate anatomically 
shaped scaffolds, which are custom-made for each specific patient (fig. 6). 

 

   
Figure 5 – SEM micrographs of some possibilities to organize fibers during deposition, resulting in 
different pore shapes. (a) honeycomb pores; (b) concentric cylindrical fiber deposition; (c) staggered 
fibers along the cross section development. Scale bar; (a, b) 2 mm; (c) 1 mm. 
 
Many other FDM and extrusion-based tools have been developed to fabricate 3D 
scaffolds, comprising also multi-dispensing systems that allow depositing different 
materials at the same time to produce constructs with different physico-chemical 
properties [61]. This possibility is quite appealing to study the release of multiple 
compounds from a single scaffold and to exploit the different interactions of the 
polymers with different cell populations in order to regenerate a more complicated 
hierarchical structure [62]. Although FDM techniques demonstrated to considerably 
improve the quality of tissue engineered constructs [59, 63-66], the high 
temperatures involved during fabrication of molten polymers remain still critical for 
the direct incorporation of biological factors. A solution could be envisioned if not 
only metallic [67] or ceramic pastes [68, 69], but also polymeric pastes that can be 
processed at room temperature will be developed. Alternatively, surface 
modification techniques could be used to functionalize the fibers and allow grafting 
of the agents in specific sites [21, 70].    
Other direct printing technologies include solid free form (SFF) techniques like 3D 
printing™ (3DP), selective laser sintering (SLS), and laser ablation (LA). 3DP was one 
of the first rapid prototyping devices to be developed for tissue engineering 
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applications. Here, a 3D scaffold is fabricated by depositing in a CAD/CAM 
controlled manner a jet of solvent on top of a polymer powder-bed. The solvent 
binds the powder, thus forming a pattern of fibers. The scaffold is then built layer-by-
layer [71, 72]. In a similar way, selective laser sintering consists in projecting a laser  

 

  

  

  
Figure 6 – Examples of CT/MRI anatomical models (a, c, e) and correspondent anatomically shaped 
fabricated 3D scaffolds. (a, b) meniscus; (c, d) vertebra; (e, f) finger joints. 
 
beam on a polymeric powder-bed. The laser beam sinters the powder due to the 
local increase of the temperature above the glass transition temperature of the 
polymer. The 3D scaffolds are still fabricated in a CAD/CAM fashion [73, 74]. Laser 
ablation works in the opposite way, as from a solid block of material the porous 
structure is formed through the ablation of the material hit in specific locations by 
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the laser beam [75]. If the ablation process is conducted in all of the three directions 
or if laminated porous films are stacked and bonded on top of each others, a 3D 
scaffold can be created. These techniques allow the fabrication of periodic structures 
with well defined, controlled and completely interconnected porosity. They showed 
the ability to support the formation of improved tissue constructs [16, 18, 74, 76], 
but still have the disadvantage of using solvents (3DP) or of producing excessive 
heat (although here localized to the spot where the laser beam hit the polymer, as 
in SLS and LA), which will affect or compromise the direct incorporation of 
pharmaceuticals, proteins, or growth factors. Furthermore, extra processing is 
required to obtain the polymers in powder. A promising modification of SLS that 
can release active compounds like ribonuclease is surface selective laser sintering 
(SSLS) [77], although ribonuclease is known to be an exceptionally stable enzyme. 
Typically, SLS makes use of infrared radiation that hits the polymer particles. The 
radiation is absorbed volumetrically by the whole particles, which sinters together. 
SSLS, instead, exploits near-infrared laser. In this case, the radiation is not absorbed 
by the polymer particles, but by carbon microparticles spread on the surface of the 
polymer particles. Carbon microparticles are strongly reactive in the near-infrared 
region and for this reason are used as initiators for the sintering process. Being 
distributed only on the surface of the polymer particles, sintering happens only 
superficially. 
Biocompatible and biodegradable photosensible polymers that can be used in rapid 
prototyping techniques like stereolithography (STL) are also investigated. 
Stereolithography is normally used to produce a negative replica that is filled 
typically with ceramic or metallic slurries and burnt away during sintering [78]. This 
step still includes the use of high temperature. Therefore, the use of photosensible 
polymers in this system would allow the direct fabrication of the scaffold. 
Incorporation of any biological compounds, however, depends on the sensibility of 
their activity when hit by the light source (typically UV or blue light) used to start 
the polymerization. 
Many other rapid prototyping technologies have been developed or modified based 
on existing ones and showed to improve the current resolution limitations with the 
possibility to directly deposit gels that encapsulate cells or even encompass cell and 
protein suspensions [79-83]. Rapid prototyping technologies are nowadays a 
consolidated scaffold fabrication platform and demonstrate encouraging 
applications for tissue engineering offering a fermenting base to further understand 
fundamental biological phenomena at the same time improving the quality, the 
enduring, and the success of regenerative medicine based products. 
 
Novel Fabrication Methods – Electrospinning Technologies 
 
A desirable characteristic that should be considered in designing and fabricating 3D 
scaffolds is mimicking the extra cellular matrix (ECM) fibers dimension and topology. 
With rapid prototyping fabrication techniques this remains still a major challenge. A 
possible solution to this problem is given by electrospinning (ESP). ESP is a relatively 
old technique normally employed in polymer technology to spin small diameter 
fibers [84-86], which recently found applications in tissue engineering as an 
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electrostatic-based scaffold fabrication method [87-90]. As schematically shown in 
figure 7, ESP consists of spinning fibers from a biomaterial solution, typically a 
polymer, by exploiting a high electric field generated by a voltage supply between 
the solution depot and a collector unit. Depending on the thickness of the fibrous 
network deposited on the collector, it is possible to fabricate bi-dimensional or 
three-dimensional structures that can be used to entrap and release drugs [91-93], 
and/or to seed and culture cells for the regeneration of a specific tissue [93-95]. The 
particular small dimension of the spun fibers, typically in the same range of ECM  

 

 
Figure 7 – Schematic draw of the electrospinning process. 

 

fibrils, makes these structures appealing as they can mimic ECM and possibly 
influence cells to express the proper proteins and signals. Surface micro- and nano 
porosity is also another important characteristic of fibrous scaffolds, as it seems to 
contribute to the creation of a better milieu for the cells for the expression of 
appropriate ECM components [96-98]. In this respect, electrospinning is an 
intriguing tool, since the spun fibers can either be made porous or textured [89, 99, 
100], or vice versa non porous and smooth [89, 101], depending on the chemical 
properties of the solvent used and on the device settings. Fibers are normally 
randomly oriented on the collector, but it was shown that it is possible to bias their 
orientation, e.g. by properly designing the collector plate [102, 103]. Further 

G
en

er
al

 
In

tr
o

du
ct

io
n 



General Introduction and Aims 

 13 

sophistication in fiber morphology and architecture included the fabrication of 
scaffolds with coaxial or hollow nanofibers [103-106]. Cell suspensions and cells 
directly entrapped in ESP networks have been also successfully processed, thus 
enlarging the applications of such ECM mimicking matrices as multifunctional tissue 
engineering scaffolds [107-109]. 
 
Novel Fabrication Methods – Surface Based Technologies 
 
A slightly different set of techniques comprises lithographic tools. These devices find 
applications in the biomedical field to fabricate 2D or 2.5D – here referred to high 
aspect ratio features – membranes with specific surface topologies, which have 
shown to improve cell-material interactions and direct cell fate [110-112]. This can 
lead to better cell attachment and differentiation [113-115], to an enhancement of 
the material biocompatibility, and, therefore, to a thinner capsule formation when 
implanted in vivo [116-118]. If the fabricated membranes are stacked and 
appropriately bonded together, a 3D scaffold can be built [119]. Among lithographic 
technologies, micropatterning allows the fabrication of custom-made topography 
with excellent control over the feature shape and size [120-122]. A number of 
materials have been surface-modified with this system, originally applied to metals 
and silicon-based materials [123] and more recently extended to polymers [124-126]. 
Lithography typically consists in the transfer of topological features or patterns onto 
the surface of silica chips. The patterns are first designed with modelling software 
and used to create a mask. This mask is shined by a light source in the lithography 
device, creating selective regions where the light goes through and hit the silica chips, 
previously coated with a radiation-sensitive material (resist). The pattern transfer is 
ultimately fixed on the silica by etching the resist. Depending on the light source, 
lateral resolutions from 1 μm (UV light) to few nanometers (electron beam) can be 
achieved. Micropatterning or microcontact printing makes use of the patterned silica 
chip as a master copy to transfer its negative to soft substrates such as silicon or 
other polymers by either in situ hardening or embossing [97]. A further modification 
is introduced in colloidal lithography where the masks are made by electrostatically 
assembling dispersed monolayers of colloidal particles [127]. Depending on the 
particles size, the resolution can be downscaled to approximately 100 nm. Since 
microcontact printing and related techniques are based on a stamp transfer 
mechanism, it is relatively simple to extend their applications to pattern specific 
biomolecules on top of a biomaterial surface [117, 128-131], thus increasing the 
degree of multifunctionality of the scaffolds.      
A more recent method that exploits a high electric field to induce the formation of 
patterned material surfaces is electrically induced pattern transfer [132, 133]. In this 
technique one or more polymer films spun-coated from a solution are placed in 
between two patterned electrodes. The electrodes are very close (d<1 μm) and 
separated by a very thin air-gap.  The system is, then, heated above the higher glass 
temperature of the polymeric films. By applying a voltage, a very high electric field 
is generated due to the very small gap between the two electrodes. This causes 
instability of the films that occurs at the smallest distance to the patterned electrode 
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– i.e. the patterns themselves. Therefore, a high aspect ratio replica of the patterned 
electrode is generated on the polymer film surface.  
 
Integration of scaffolds fabrication technological platforms 
 
The development and integration of novel and/or conventional fabrication 
techniques is gearing biomaterial design towards multifunctional scaffolds for 
regenerative medicine. Several combinations of technologies from different scientific 
disciplines are currently investigated to create and integrate features at different 
scales, which are of primary importance for the improvement of the current status 
of tissue engineering applications [134]. An emerging method to precisely analyze 
which biomaterials are optimal to elicit specific cell-material interactions makes use 
of micro-array combinatorial approach and may be named as “materiomics” in 
accordance with the analogous systems to study gene and protein expressions. In 
this technique, biomaterials can be directly synthesized or chemically patterned in a 
nano-liter scale to form microarrays that are used to study cell attachment and 
differentiation [135-138]. Alternatively, series of ligands and/or extracellular matrix 
components can be deposited in a microarray to study cell faith [139, 140]. In this 
way, a number of libraries can be compiled containing material- and biomolecule-
related cell responses. Depending on the specific tissue engineering application and 
on the clinical strategy decided, a desired biomolecule-biomaterial couple can be 
selected. A further improvement of such a method would consist in the inclusion of 
these biomolecules in biomaterials to combine the material- and the bio-related cell 
responses in a 3D scaffold.  
Other examples of technology platforms integration are offered by the combination 
of biomaterials processed at different length scales. Here, the rationale is to combine 
a macrostructure to support cells and tissue development with a synthetic temporary 
ECM at the micro- and nano-scale. The ECM network would also have the capacity 
to entrap a higher number of cells, resulting in a considerable improvement of cell 
seeding efficiency. An interesting possibility to achieve such an improved functional 
scaffold consists in interspersing sheets of ECM derived microsponges with sheets of 
synthetic foams, meshes, textiles, or felts [141, 142]. The resulting structures are 3D 
scaffolds with adjustable thickness, which displays macro- and micro-porosity 
combined with the flexibility of the constructs. In another approach, the 
combination of porogen leaching and phase separation techniques allowed the 
fabrication of nanofibrous scaffolds with interconnected macropores, associating 
macro- and nano-scale features in the same constructs [143]. A further combination 
of conventional fabrication techniques consists in coupling gas foaming with 
ultrasound that resulted in the solvent-free fabrication of a porous 3D scaffold with 
enhanced pore interconnectivity [144]. 
Conventional and novel fabrication techniques have been also integrated by 
associating fiber bonding with electrospinning. The resulting 3D scaffolds comprise a 
micro- and a nano-fibrillar network, which shows to support a higher cell viability 
and differentiation into the bone lineage [145]. Similarly, the integration of knitted 
and ESP fibers proves to support a higher cell attachment and the expression of 
typical tendons and ligaments markers [146]. Additional examples of conventional 
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technology combinations with ESP consist in the integration of wet spinning to 
create multifunctional 3D scaffolds for vascular tissue engineering [147] where the 
ESP microfibrillar web was deposited on the wet-spun macrofibrillar network to 
create a structure mimicking vessels. Similarly, ESP nets were modified by 
immobilizing RGD adhesive peptides on the fibers surface, which enhanced cell 
attachment, spreading, and proliferation [148]. A particular intriguing integrated 
technology encompasses ESP scaffolds where fibers are coated by electrochemical 
deposition with a conductive polymer. In this case it was shown that the release of 
drugs could be selectively controlled not only by diffusion through the coaxial fibers, 
but also by applying and releasing an electrical stimulus to the conductive polymer 
resulting in its expansion and contraction respectively [149]. 
A great interest has been arisen to use single and multi walled carbon nanotubes 
(CNTs) as biomaterials for scaffolds in tissue engineering. A few groups have 
demonstrated a comparable cell viability and attachment with respect to standard 
biodegradable polymers and, more interestingly, an enhanced adhesion of 
osteoblasts [150-153] with an improved citotoxicity as compared to conventional 
carbon fibers [152].  Composites of CNTs with ceramics and metals are extensively 
studied and showed to improve the toughness and/or the toughening mechanisms 
during fracture by deflecting crack formation [154, 155]. A recent combination of 
CNTs and ESP silk fibers appeared to have an almost 5-fold increase in elastic 
modulus and could be promising due to the integration of high mechanical (CNTs) 
and protein adhesion (silk) properties.   
All of the above treated techniques belong to a so called “top-down” fabrication 
approach, where biomaterials are generated by stripping down a complex entity 
into its component parts. An alternative way to proceed is the “bottom-up” 
approach, in which materials are assembled molecule by molecule to create novel 
supramolecular architectures. Self-assembly is surely the most promising “bottom-
up” technique for regenerative medicine. Self assembled monolayers (SAMs) have 
already been studied to selectively control protein and cell adhesion, but they are 
limited in that they are bi-dimensional structures [156]. A sensible improvement of 
SAMs is offered by molecular self-assembly of synthetic amphiphilic peptides. Due to 
their particular polar hydrophilic “head” and non-polar hydrophobic “tail” structure, 
these molecules voluntarily change their conformation in aqueous solutions and 
undergo self-assembly to form various semi-enclosed environments through the 
formation of many non-covalent weak chemical bonds. Depending on the geometry 
and curvature of the polar head and the shape and length of the non-polar tails it is 
possible to drive them to form a nanofibrillar 3D network [157]. By combining the 
desired peptide sequence, which is then synthesized into the correspondent 
amphiphilic structure, with surface functionalization with the proper biomolecule for 
a specific application, self-assembled 3D nanofibrillar scaffolds have been fabricated 
and used for bone [158], cartilage [159], vascular [160], and neural tissue 
engineering [161], among others [162-166]. Results seem to be promising, although 
the in vivo self-assembly process and in situ stabilization mechanisms need to be 
better understood for a proper control of the technology in regenerative medicine.    
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Biomaterials for Scaffolds in Tissue Engineering 
 
Among the biomaterials so far studied, synthetic and natural polymers offer a wide 
variety of choices to satisfy most of the above mentioned requirements.  The mainly 
used polymers are hereafter considered. Table 2 summarizes some of the properties 
of these biomaterials and their applications in tissue engineering and drug delivery.  
 
Synthetic Polymers 
 
Within synthetic polymers, linear aliphatic polyesters such as poly(lactic acid) (PLA), 
poly(glycolic acid) (PGA) and copolymers (PLGA) have been broadly used in tissue 
engineering. They generally activate a minimal or mild foreign body reaction – and 
as such are considered as biocompatible – and they are approved by the food and 
drug administration (FDA) for certain applications. By varying their molecular 
weight and in case of PLGA also their copolymer ratio, the biodegradation rate and 
the mechanical properties can be tailored. They have already been studied for drug 
delivery [14, 20, 167-169] and are suitable for tissue engineering applications [170-
175], as the degradation products (lactic and glycolic acids) obtained due to 
hydrolysis are normally present in the metabolic pathways of the human body. 
However, their bulk degradation may lead to the formation and accumulation of 
large amount of degradation products in a short time frame (months vs. years) that 
cannot be easily disposed off, resulting in local inflammation in tissues [176] and 
enzymatic hydrolysis [177]. Furthermore, depending on the polymer or copolymer 
used, if crystal domains are present in the polymer chain they may remain in the 
body. Another linear aliphatic polyester commonly used in tissue engineering is 
poly(ε-caprolactone) (PCL). This polymer has found many applications for its good 
biocompatibility and mechanical properties, but it degrades at a much slower rate 
than PLA, PGA, and PLGA, which makes it attractive when long-term implants and 
long-term controlled release applications are desired [174, 178-180]. 
A different family of thermoplastic polymers that has been recently studied for tissue 
engineering and drug delivery is poly[poly(ethylene oxide) terephthalate-co-
(butylene) terephtalate] (PEOT/PBT). These polyether-ester copolymers (figure 8) 
exhibit good physical properties like elasticity, toughness and strength in 
combination with easy processability [181]. These properties result mainly from a  

 
Figure 8 – Chemical structure of aPEOTbPBTc copolymers, where a is the molecular weight of the initial 
PEG blocks used in the copolymerization, b and c are the weight percentage of the PEOT and PBT 
domains resulting at the end of the reaction. 
 
phase separated morphology in which soft, hydrophilic PEO segments at 
environmental temperatures are physically cross-linked by the presence of hard, 
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semi crystalline PBT segments. In contrast to chemically cross-linked materials, these 
cross-links are reversible and will be disrupted at temperatures above their glass 
transition- or melting point, vice versa, which gives the material its good 
processability. The interest arisen in tissue engineering and drug delivery applications 
is due to the fact that by varying the molecular weight of the starting PEG segments 
and the weight ratio of PEOT and PBT blocks it is possible to tailor properties, such 
as wettability [182], swelling [181, 183, 184], biodegradation rate [184], protein 
adsorption [185], and mechanical properties [57, 186]. Furthermore, PEOT/PBT 
copolymers have shown to be biocompatible both in vitro and in vivo for skin, 
cartilage, and bone regeneration [46, 187-190] and reached clinical applications 
(PolyActive™, IsoTis Orthopaedics S.A.) as cement stoppers and bone fillers in 
orthopedic surgery [191, 192]. Being polyether-esters, degradation occurs in aqueous 
media by hydrolysis and oxidation, the rate of which varies from very slow for high 
PBT contents to medium and fast for larger contents of PEOT and longer PEO 
segments [181, 184]. A further modulation in degradation rate and drug release 
profile can be achieved by substituting part or all of the terephtalate domains with 
succinate blocks during the copolymerization reaction [103, 193, 194]. PLA, PGA, 
PLGA copolymers, PCL, and PEOT/PBT copolymers are equally suitable for many 
tissue engineering applications. They have proven to be appealing biomaterials to 
fabricate 3D scaffolds and have been widely used with promising results in 
regenerative medicine. Albeit they can have multiple properties tailored for specific 
purposes, some concerns over their degradation mechanism and rate still remain.  
Among the multitude of other synthetic polymer investigated for controlled release 
and tissue engineering applications, interesting classes are polyphospho-esters (PPEs) 
[195, 196], polyphosphazenes (PPAs) [197-200], polyanhydrides (PAs) [201] and 
polyortho-esters (POEs) [202], as they have shown a surface erosion degradation 
mechanism [203, 204], which is also known to affect the stability of the scaffolds to 
a lesser extent and to elicit a lower in vivo inflammatory response, as compared to 
polyesters and polyether-esters previously considered. PPEs display adequate 
mechanical properties also for hard tissue engineering. Although PPAs, PAs, and 
POEs have also been used in some cases for hard tissues repair, they might be more 
suitable for soft tissue engineering due to their generally low mechanical properties.  
An alternative to the previous polymeric systems is offered by injectable polymers. 
This class is also very attractive as they can be used in minimally invasive surgery 
such as arthroscopy, resulting in a decrease in patient discomfort. Furthermore, they 
can fill irregularly shaped tissue defects [205-207], and cells and bioactive agents can 
be easily incorporated into them [208-210]. In particular, photopolymerizable 
systems like poly(propylene fumarate)-diacrylates (PPF-DA) and poly(ethylene 
glycol)-diacrylates (PEG-DA) based polymers, have been investigated since they can 
be transdernally hardened in situ by applying a light source [211-213]. Alternatively, 
chemically curable polymers still based on PPF have also been studied as they 
eliminate the need for light [214]. Despite the advantage of these polymers that is to 
favor minimally invasive surgery, some issues may still rise from their low 
mechanical properties and from some remnant toxicity due to the acrylic groups.  
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Natural Polymers  
 
Natural polymers also offer a broad selection of materials used for tissue engineering 
as compared to synthetic ones. Since they are often used in a gel-like phase, these 
systems are easy to process and biological agents can be readily incorporated during 
the gel formulation. Collagen is a fibrous protein and a main component of the 
extra cellular matrix, which has been used for various tissue regenerations [215-219]. 
In particular, pure collagen type I and type II scaffolds alone, or in combination 
with glycosaminoglycans (GAGs) have been considered for the repair of many 
human tissues [218-221]. A further possibility is to use denatured collagen (gelatin) 
[216], or demineralized bone matrix (DBM) [222-224]. The latter, in particular, has 
found clinical applications for bone defects either as an injectable gel or as a foamy 
highly porous scaffold. 
Another group of natural polymers that have been investigated for many different 
tissue engineering applications comprises polysaccharides like alginate [225, 226], 
chitosan [227, 228], and hyaluronate [229, 230]. Alginate is water soluble and 
jellifies when cross-linked with calcium ions. This provides a suitable system to 
include drugs or growth factors directly during gel formation. Chitosan is structurally 
similar to GAG and has recently attracted more and more attention because of its 
non-toxicity, bioresorbability, and wound healing abilities [231]. Hyaluronan acid is 
also abundantly present in the human joint capsules, within the synovium fluid. A 
change of its chemical structure through an esterification reaction allows the 
generation of a new set of biomaterials, hyaluronates, with improved properties, 
increased biocompatibility and fine-tunable degradation rates [232, 233]. These 
materials have been studied for cartilage and skin regeneration [229, 234, 235] and 
reached clinical applications for the treatment of deep skin wounds and cartilage 
[236, 237]. 
The results obtained with natural polymers showed that it is often possible to mimic 
the ECM environment, which in several cases significantly influenced seeded cells to 
proliferate and differentiate in the specific desired tissue to regenerate. However, 
when compared to synthetic polymers, main concerns over natural polymers are still 
present due to the potential pathogen transmission and to the lack of constant 
source. 
 
Aims and Approach of this Thesis 
 
Although an impressive number of biomaterials and of scaffold fabrication 
technologies have been and are being developed, it is still challenging to find a 
biomaterial-scaffold technology coupling that satisfies all the requirements generally 
desirable for tissue engineering. A better control of mechanical and physico-chemical 
properties, and degradation rate and mechanism needs to be achieved to achieve 
stable and functional tissue engineered constructs in a long-term application. For 
instance, it is often the case that when the mechanical properties are suitable, the 
physico-chemical characteristics of the scaffolds are insufficient due to either 
biomaterial processing or to the intrinsic chemistry of the material itself. Conversely, 
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when physicochemical properties are satisfactory, the scaffolds may not display a 
favorable mechanical behavior. It might be that the most optimal strategy in 
designing scaffolds for tissue engineering is to integrate different biomaterials and 
different fabrication technologies to combine mechanical, physicochemical, and 
biological cues at the macro, micro, and nano scale, as it also appears from the 
recent studies above mentioned.   
The general aim of the work presented hereafter is to introduce a small library of 
possible solutions that may contribute – if merged together – to match most of the 
prerequisites desirable for a scaffold. The pursued approach to achieve this goal is 
developed as follows: 

• Characterize and model the mechanical and physicochemical properties of 
3D scaffolds and their variation with porosity, pore size, and pore shape. 

• Assess the importance of mimicking the mechanical behavior of a tissue, in 
combination with appropriate physicochemical properties. 

• Determine the relevance of anatomically shaped scaffolds as compared to 
other functional but simpler designs for tissue regeneration. 

• Unravel the influence of fiber dimensions and texture on cell faith and on 
release of incorporated compounds. 

• Integrate conventional and novel fabrication technologies together to create 
multifunctional 3D scaffolds. 

PEOT/PBT copolymers were chosen as a biomaterial model to investigate the basic 
principles that rule the 3D scaffold’s fabrication process, mechanical and 
physicochemical characterization, cell interaction, and tissue development. As 
previously described, these copolymers exhibit a high versatility in terms of their 
bulk properties, some compositions being FDA approved and routinely implied in 
clinical applications. Among the manifold scaffold fabrication techniques 3DF and 
ESP were selected and mainly studied. Due to their versatility in processing a variety 
of biomaterials, the scaffolding solutions exemplified in this thesis may be extended 
to other biomaterials where the fundamental applied principles are still valid. 
The goals and corresponding results are presented in the book in the following 
outline. Chapters 2, 3, and 4 introduce the mechanical and physicochemical 
characterization and modeling of 3DF scaffolds. Chapter 2 looks at the influence of 
the fabrication parameters on the viscoelastic behavior of 300PEOT55PBT45 and 
how these can be fine tuned to match articular cartilage viscoelastic properties. In 
particular, the modulation of the dynamic stiffness and the equilibrium modulus, as 
well as of the damping factor and the creep uncovered strain was evaluated and 
compared to the correspondent values of bovine articular cartilage. Dynamic, static, 
and frequency scan tests were selected for this purpose. In chapter 3 the influence of 
the physicochemical properties of the copolymers on the viscoelastic properties of 
3D scaffolds are investigated in terms of equilibrium swelling and molecular network 
mesh size. The influence of the scaffolds porosity on the mechanical behavior is also 
considered, leading to the formulation of an experimentally derived three-
dimensional matrix that correlates the dynamic stiffness of a specific copolymer 
composition with the correspondent physicochemical properties and scaffold 
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porosity. Chapter 4 deals with the validation of this experimental correlation matrix 
with numerical analysis. 
Chapter 5 treats a practical exemplification of how the model can be used to select 
scaffolds with specific physicochemical and mechanical properties. Specifically, the 
importance of mimicking the dynamic stiffness of articular cartilage with the initial 
3D scaffold was assessed and coupled to the influence of the physicochemical 
properties on cell differentiation. 
Chapter 6 aims at studying the effect of anatomically shaped 3DF scaffolds on tissue 
formation as compared to simplified but still functional designs for tracheal 
reconstruction. The anatomical scaffolds was built from a computer tomography 
human dataset and downscaled to the size of a rat trachea compatible to the 
resolution limitations of the technique. Rat trachea and chondrocytes were purely 
chosen as a model. 
In chapter 7 electrospinning is introduced to fabricate 3D micro and nanofibrillar 
networks, which display smooth, nano and micro porous surface texture depending 
on the fabrication parameter. In particular the mechanism of pore formation during 
fiber spinning is unraveled and the influence of fiber diameter and nanoporosity on 
human stem cells morphology, seeding, attachment, and proliferation is investigated. 
The release of incorporated model compounds and the effect of fiber size and 
texture on the release profile are also considered. 
Chapters 8, 9, and 10 pioneer few examples of how to integrate conventional and 
novel fabrication technique to create multifunctional scaffolds. In chapters 8 the 
integration of viscous encapsulation – a typical rheological phenomenon that occurs 
to immiscible molten polymeric blends under specific extrusion conditions – with 
3DF allowed the fabrication of shell-core fibrous 3D scaffolds. The shell-core fibers 
can be designed in such way to combine mechanical properties in the core polymer 
with physicochemical properties in the shell, thus appropriately directing cell-
material interactions. Alternatively, if selective leaching is applied, hollow fibrous 
3DF scaffolds are created, which can be used to either increase the available surface 
for cell adhesion or as reservoir system for controlled drug release. Chapters 9 
proposes the integration of ESP networks interspersed in between 3DF scaffolds as a 
novel construct to enhance cell seeding efficiency and bias cell differentiation. The 
effect of network density was compared to 3DF scaffolds alone and related to 
cartilage tissue engineering. Further possibilities to improve the integration process 
and to direct cell faith of stem cells are also discussed. Chapter 10 presents different 
3D hybrid scaffold designs to assembly in a composite PEOT/PBT 3DF polymers as 
flexible carriers of ceramics and demineralized bone matrices (DBMs). The rationale 
behind the designs is to improve the brittle mechanical behavior of ceramics by 
combining them with the polymer and with DBMs that will function as dampers 
before fracture. Since each single biomaterial component of the 3D hybrid scaffold 
has been shown to be favorable for bone formation and/or integration in the 
implant site, bone and osteochondral tissue engineering applications are discussed. 
Finally chapter 11 gives an overview of the obtained results and of future 
perspective in scaffolding for tissue engineering and drug delivery applications. 
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Characterize and model the mechanical 
and physicochemical properties of 3D 
scaffolds and their variation with 
porosity, pore size, and pore shape 

As regards obstacles, the shortest distance 
between two points can be a curve 

 
Berthold Brecht (1898 – 1956) 
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Architecture on Dynamic Mechanical 
Properties 
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Abstract 
 

ne of the main issues in tissue engineering is the fabrication of scaffolds that 
closely mimic the biomechanical properties of the tissues to be regenerated. 
Conventional fabrication techniques are not sufficiently suitable to control 

scaffold structure to modulate mechanical properties. Within novel scaffold 
fabrication processes 3D fiber deposition (3DF) showed great potential for tissue 
engineering applications because of the precision in making reproducible 3D 
scaffolds, characterized by 100% interconnected pores with different shapes and 
sizes. Evidently, these features also affect mechanical properties. Therefore, in this 
study we considered the influence of different structures on dynamic mechanical 
properties of 3DF scaffolds. Pores were varied in size and shape, by changing fibre 
diameter, spacing and orientation, and layer thickness. With increasing porosity, 
dynamic mechanical analysis (DMA) revealed a decrease in elastic properties such as 
dynamic stiffness and equilibrium modulus, and an increase of the viscous 
parameters like damping factor and creep unrecovered strain. Furthermore, the 
Poisson’s ratio was measured, and the shear modulus computed from it. Scaffolds 
showed an adaptable degree of compressibility between sponges and incompressible 
materials. As comparison, bovine cartilage was tested and its properties fell in the 
fabricated scaffolds range. This investigation showed that viscoelastic properties of 
3DF scaffolds can be modulated to accomplish mechanical requirements for tailored 
tissue engineered applications.  
 
Keywords: rapid prototyping, dynamic mechanical analysis, scaffolds, tissue engineering. 
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Introduction 
 
Rapid Prototyping techniques have recently attracted more and more interest for 
applications in tissue engineering as powerful tools to fabricate scaffolds. These 
scaffolds are built layer by layer, through material deposition on a stage, either in a 
molten phase (known as Fused Deposition Modeling (FDM)) [1-10] or in droplets 
together with a binding agent (referred to as 3D Printing) [2-4,11-15]. The 3D 
outcomes of this process are usually 100% interconnected porous scaffolds per 
definition, since during fabrication the layers are deposited as interpenetrating 
networks (material and void, see figure 1). Scaffolds have a defined structure and 
architecture, and can be built with a customized shape by CAD-CAM techniques. 
This flexibility and versatility in creating scaffolds gives us the opportunity to use 
rapid prototyping devices to generate improved scaffolds and to study the influence 
of different structural phenomena on tissue reconstruction. Within this respect, fused 
deposition modeling (FDM) techniques [2, 5, 10] have been lately used for tissue 
engineering purposes, offering appealing solutions for scaffold fabrication. Among 
these devices 3D plotting [16, 17] and 3D fiber deposition (3DF) [18] has been 
recently developed and used for tissue engineering purposes, the latter being a 
system for the extrusion of highly viscous polymers. 3DF is, essentially, a fused 
deposition technique in which an extrudate of molten polymer is deposited from a 
XYZ motor drive syringe on a stationary stage by applying pressure.  
 

 
Figure 1 – Draw of a Bioplotter device and 3DF fabrication process. 0-90 and 0-45 scaffolds architectures 
in single and double layer versions are presented. Modified from Woodfield et al. [18]. 
 
From a mechanical point of view, one of the main paradigms in tissue engineering 
and biomechanical science has always been that a scaffold should mimic the 
biomechanical properties of the organ or tissue to be replaced [14, 15, 19, 20]. 
Nevertheless, to our knowledge no systematic study has been conducted to assess 
whether the exact match of mechanical properties is indeed so crucial for optimal 
tissue regeneration. For instance, since mechanical properties are intimately related 
to the porosity of porous structures, it might be that a stiffer and less porous scaffold 
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will provide a better integration with the surrounding natural tissue, or - in contrast 
- that a more flexible and porous one will allow cells to attach and proliferate in a 
more efficient way. It is here where rapid prototyping offers possibilities to 
compromise such different requirements into one scaffold, because it adds freedom 
of varying structural parameters to the non-variable bulk mechanical properties of 
the material used. 
Hence, the aim of this paper was to investigate the dynamic and static mechanical 
properties of scaffolds with a number of different structural features that can 
modulate their viscoelastic properties in order to mimic a large collection of natural 
tissues [21-25]. For this purpose, block-copolymers of polyethyleneoxide-
terephtalate (PEOT) and polybutylene-terephtelate (PBT) have been investigated. 
These polyether-ester multiblock copolymers belong to a class of materials known as 
thermoplastic elastomers which exhibit good physical properties like elasticity, 
toughness and strength in combination with easy processability [26], as previously 
explained in chapter 1. This family of copolymers has already been of great interest 
for tissue engineering and drug delivery applications, because by varying the 
molecular weight of the starting PEG segments and the weight ratio of PEOT and 
PBT blocks it is possible to tailor-make properties, such as wettability [27], swelling 
[26, 28, 29], biodegradation rate [29], protein adsorption [30], and mechanical 
properties [18]. Furthermore, PEOT/PBT block copolymers have shown to be 
extensively biocompatible both in vitro and in vivo [31-34] and reached clinical 
applications (PolyActive™, IsoTis Orthopaedics S.A.) as cement stoppers and bone 
fillers in orthopedic surgery [35, 36]. Being polyether-esters degradation occurs in 
aqueous media by hydrolysis and oxidation, the rate of which varying from very 
low for high PBT contents to medium and high for larger contents of PEOT and 
longer PEO segments [26, 29].  
The 3DF scaffolds response was assessed by dynamic mechanical analysis (DMA) 
since it allows tailoring of test conditions that can more closely simulate the 
physiological environment of the specific tissue to repair, and it enables scaffolds 
viscoelastic characterization [37-41]. By varying fiber diameter, fiber spacing and 
layer thickness in the internal structure of a scaffold, the mechanical properties 
change. This is due, among other factors, to a correspondent change of the overall 
porosity of the scaffold. Fiber orientation or deposition angle are also parameters to 
consider. If the angle step with which two subsequent layers are deposited or if the 
number of layers plotted with the same orientation on top of each other is varied, a 
different mechanical behavior will result at constant porosity. Bovine articular 
cartilage was tested as a reference to show how a scaffold structure can be tailored 
to mimic the biomechanical behavior of a specific tissue. Therefore, the combination 
of 3DF and DMA is shown in this study to be a powerful tool to achieve optimized 
scaffolds for tissue engineering applications.  
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Materials and Methods 
 
Scaffold Fabrication 
 
Poly(ethylene oxide terephthalate)-poly(butylene terephthalate) (PEOT/PBT) block 
copolymers were obtained from IsoTis S.A. (Bilthoven, The Netherlands). Their 
chemical composition is represented by the notation aPEOTbPBTc, where a is the 
molecular weight of the starting poly(ethylene glycol) PEG segments used in the 
polymerization process, while b and c refer to the weight ratio between PEGT and 
PBT blocks, respectively. For this study, 300PEOT55PBT45 co-polymer was used. 
3D scaffolds were fabricated with a Bioplotter device (Envisiontec GmbH, Germany), 
essentially an XYZ plotter construction as previously described by Landers et al [17]. 
A few modifications enabled the extrusion of highly viscous 300PEOT55PBT45 
melts, as shown in figure 1. Briefly, the polymer was placed in a stainless steel 
syringe and heated at T = 190 °C through a heated cartridge unit, mounted on the 
“X”-mobile arm of the apparatus. When the polymer reached a molten phase, a 
nitrogen pressure of 5 Bars was applied to the syringe through a pressurized cap. 
Rectangular block models were loaded on the Bioplotter CAD/CAM software and 
plotted layer by layer, through the extrusion of the polymer on a stage as a fiber. 
The scaffold was then characterized by varying the fiber diameter (d1) (through the 
nozzle diameter or the deposition speed), the spacing between fibers in the same 
layer (d2), the layer thickness (d3) and the configuration of the deposited fibers 
within the whole architecture, which are all parameters set on the CAD/CAM 
software controlling the Bioplotter. The nozzles used to extrude polymer fibers 
were stainless steel Luer Lock hypodermic needles with internal diameter (ID) of 400 
μm and 200 μm, shortened to a length of approximately 16.2 mm. The 
corresponding plotted fibers had a diameter d1 of 260 μm and 170 μm, respectively. 
The fiber spacing d2 was set to 600 μm, 800 μm and 1000 μm, and the layer 
thickness d3 was originally set to 150 μm, 250 μm and 350 μm. Since the adhesion 
of fibers between two subsequent layers was compromised for a layer thickness 
larger than 60% of the fiber diameter value, d3 = 275 μm was chosen as the largest 
value for d1 = 170 μm set of scaffolds. The architecture was changed by plotting 
fibers with 45° and 90° angle steps between two successive layers (called 0-45 and 
0-90 configurations respectively) and by modifying the fiber orientation after one or 
after two printed layers (referred to as single and double layers configurations 
respectively). The deposition speed was varied between 100 mm/min and 300 
mm/min in order to assess its influence on fiber diameter and overall porosity of the 
scaffolds. 
For comparison with more conventional techniques, scaffolds were also made by 
salt leaching, whereby a mixture of polymer powder and salt particles was 
compression molded into blocks and the salt removed by leaching in water. The 
average pore size of these scaffolds was 182 μm, with a maximum pore size of 600 
μm and an overall porosity of 75% [42-43].  
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Scaffold Characterization 
 
Cylindrical plugs of 6 mm in diameter by 4 mm in height were cored out in the “Z-
direction” from the rectangular 3D plotted blocks, and taken as samples for the 
mechanical analysis. Scaffolds geometry and architecture were characterized by 
scanning electron microscopy (SEM) analysis with a Philips XL 30 ESEM-FEG. 
Samples were gold sputtered (Carringdon) before SEM analysis. The porosity of 3D 
plotted scaffolds was calculated following the theoretical approach by Landers et al 
[17]: 
 

32

2
1

cube

scaffold

dd
d

4
π

1
V

V
1P

⋅
⋅−=−=                                                                            (1) 

 
where P is the scaffold porosity, d1 the fiber diameter, d2 the fiber spacing and d3 
the layer thickness, within each different structure (see also tables 1 and 2). 
Porosity was also experimentally measured – e.g. in case of the salt leached scaffolds – 
by analyzing the mass and the volume of each scaffold, as: 
 

ρ
1

V
M

1P ⋅−=                                                                                                       (2) 

 
where, M and V are the measured mass and volume of the scaffolds, while ρ is the 
specific density of 300PEOT55PBT45 (1.2 g/cm3). Since, there was only a small 
difference (< 1%) between theoretical and experimental porosities (data not 
shown), we decided to refer to the theoretical one, as more conformal to the 
fabrication parameters of the Bioplotter. 
 
Bovine Articular Cartilage Harvest 
 
Bovine articular cartilage plugs of the same dimension as the 3D scaffolds specimens 
were punched out from the knee of a 6-month old calf. The obtained samples were 
perpendicularly sectioned. Once the knee was opened, cartilage plateaus were kept 
hydrated with phosphate-buffered saline (PBS) (Gibco-BRL), while the cylindrical 
plugs were punched out from the femoral condyle with a coring drill. The samples 
were then stored in PBS and mechanically tested during the same day. 
 
Dynamic Mechanical Analysis 
 
A DMA instrument (Perkin Elmer 7e) was used to evaluate the viscoelastic properties 
of the 3D scaffolds and of the bovine articular cartilage cylindrical plugs. For each 
structural and architectural configuration three samples were tested in all the 
experiments performed. In the case of bovine articular cartilage, six plugs were 
tested to level out the differences between the different regions of the femoral 
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plateau, where the samples were taken. Cylindrical fixtures were chosen to test the 
specimens along their compression axis, in the “Z-direction”. 
Dynamic stress and creep recovery tests were performed on scaffolds for mechanical 
characterization. In the dynamic stress test, scaffolds were loaded with a dynamic 
force varying from 3.5N to 4.5N, which is well in the middle of the linear part of 
the static stress-strain curve. A ramp of 50mN/min at a constant frequency of 1Hz 
was used, as depicted in figure 2. Dynamic stiffness, or storage modulus, and 
damping factor, or tan ∂, were calculated.  

 
Figure 2 – Schematic diagram of the dynamic force applied on 3D scaffolds during viscoelastic assessment. 
The resulting force is the sum of the two depicted curves. 
 
In the creep recovery test, samples were pre-loaded with a recovery force of 100mN 
for two minutes. Then, a force of 3.5N was applied instantaneously and kept for 
three minutes, after which the loading condition was returned to the recovery 
value. This set up was cycled for three times to ensure that no significant difference 
was experienced after each loading cycle, in terms of equilibrium modulus and 
unrecovered creep strain. The same experiment was repeated with a loading force 
of 4.5N to assess creep and recovery properties of the fabricated scaffolds in the 
minimum and maximum force range applied in the dynamic stress analysis. 
For a frequency scan test, a force of 100mN was applied and kept constant, while a 
variable load of 80 mN was superimposed with a frequency sweep from 0.1Hz to 
15Hz. The elastic modulus and dynamic viscosity were measured and related to the 
viscoelastic behavior of the scaffolds as the frequency increases. 
To consider the influence of an aqueous environment and possible perfusion effects, 
the tests were done in three different environmental conditions: in a nitrogen 
atmosphere, in PBS and in a synovium-like fluid. This last wet setting consisted of a 
3% (w/v) solution of polyvinilpyrrolidone (PVP) in de-ionized water. The dynamic 
viscosity of the solution was measured with Brookfield viscosimeter and determined 
as 0.01 Pa*s, which is in the range of natural synovium fluid [44]. Bovine articular 
cartilage was tested only in wet milieus. Scaffolds were soaked both in PBS and in 
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PVP-solution over night, before loading. The temperature was set to 37 °C for all 
the experiments.   
 
Poisson’s Ratio optical measurement 
 
Poisson’s ratios of scaffolds, bulk polymer and bovine articular cartilage were 
measured through an optical technique as described by Jurvelin et al [45]. Briefly, 
samples were placed between non-rotating tips of a micrometer under a 
stereomicroscope. Original height and diameter were measured. Then, a 
compressive strain of 10% was applied to the specimens through the micrometer 
and the final height and diameter were determined, after leaving the samples 
equilibrating for 1h. Dimensional measurements were performed through imaging 
analysis (Scion Image, Scion Corporation) of micrographs acquired with a video 
camera (Sony progressive 3CCD) and a frame grabber (PCImage SRGB, Matrix 
Vision) connected to the stereomicroscope. Poisson’s ratios were then computed as: 

L
L

D
D

Δ

Δ
ν −=                                                                                                         (3) 

where ν  is the Poisson’s ratio, D and L are the samples original diameter and height 
respectively, while ∆D and ∆L the variation of diameter and length between the 
unstrained and the strained configurations. 
From the measured experimental values of dynamical stiffness and Poisson’s ratio, 
scaffolds shear modulus was indirectly calculated through the formula: 

)(12
E

G
ν−⋅

=                                                                                                      (4) 

where G is the scaffold shear modulus and E the dynamic stiffness.   
 
Results 
 
Scaffolds Characterization 
 
300PEOT55PBT45 3D scaffolds with different pore architecture and geometry were 
fabricated. Pore architecture was dependent on fiber orientation and deposition (Fig. 
3). A fiber deposition angle of 90º created quadrangular pores (Fig. 3A-C), while a 
45º angle step generated polygonal pores (Fig. 3D-F). Furthermore, the deposition 
of two successive layers with the same fiber orientation resulted in doubling the 
pore height (Fig. 3C and 3F). The pore geometry was defined by fiber diameter and 
spacing (d1 and d2), and layer thickness (d3) (Fig. 3C). A decrease of the fiber 
diameter from 260 μm to 170 μm and a decrease of the layer thickness from 350 
μm to 150 μm corresponded to a decrease of the pore height. Analogously, a 
decrease of the fiber spacing from 1000 μm to 600 μm lead to a decrease of the 
pore width. The pore height was mainly defined by the layer thickness, while the 
pore width was defined by the difference between fiber spacing and fiber diameter.  
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Figure 3 – Optical Microscopy pictures of scaffolds surface and SEM micrographs of cross sections. (d, e, f) 
0-45 and (a, b, c) 0-90 architecture configurations in (b, e) single and (c, f) double layer versions. (c) 
represents graphically the fiber diameter and spacing (d1 and d2) and the layer thickness d3 of a 3DF 
scaffold.  
 
The effect of deposition speed (V) on fiber diameter and ultimately on scaffold 
porosity is depicted in figure 4. A decrease of V from 300 mm/min to 100 mm/min 
resulted in an increase of the fiber diameter from 268 μm to 432 μm, which 
corresponded to a decrease of the scaffold’s porosity from 75% to 29%. The 
variation of all the parameters above introduced, one by one, allowed to create a 
set of scaffolds within a porosity range from 29% up to 91%. 
SEM analysis revealed a significant consistency between the theoretical and real 
values of fiber diameter, fiber spacing, and layer thickness for all the scaffolds 
processed. The fiber diameter (d1) was 268 ± 32 μm when the larger Bioplotter tip 
(ID = 400 μm) was used and 170 ± 15 μm when the smaller one was used (ID = 
200 μm). The fiber spacing (d2) was 605 ± 12 μm, 807 ± 28 μm, and 1001 ± 0.00 
μm. The layer thickness (d3) was 148 ± 10 μm, 257 ± 11 μm, and 344 ± 11 μm. All 
the scaffolds produced had 100% pore interconnectivity and no layer delamination 
phenomenon occurred in the porosity range analyzed.  
 
Dynamic Mechanical Properties 
 
3D plotted scaffolds were tested to characterize their viscoelastic behavior. Tables 1 
and 2 summarize the obtained data from DMA on some of the deposited scaffolds 
with different porosity, and on articular bovine cartilage. With increasing porosity 
and/or by changing the scaffold architecture, the dynamic stiffness increased from a 
minimum value of 0.186 ± 0.005 MPa to a maximum of 13.7 ± 2.63 MPa (table 1, 
columns 3-5), while the equilibrium modulus varied from 0.04 ± 0.005 MPa to 8 ± 
0.81 MPa (table 1, columns 6-8). Analogously, the Damping factor decreased from 
0.202 ± 0.015 to 0.075 ± 0.012 (table 2, columns 3-5), while the creep uncovered 
strain changed from 49.67 ± 15.9% to 0.36 ± 0.13% in the same porosity series 
(table 2, columns 6-8). Dynamic stiffness and equilibrium modulus of bovine 
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articular cartilage were higher under synovium-like fluid conditions and measured as 
9.64 ± 1.81 MPa and 0.64 ± 0.16 MPa, respectively. Damping factor and creep 
unrecovered strain were 0.175 ± 0.03% and 46.91 ± 9.86%. DMA showed an 
increase in dynamic stiffness and equilibrium modulus with decreasing fiber spacing 

 

 
Figure 4 – Effect of deposition speed on scaffolds porosity and fiber diameter in a 00-9090 layer 
configuration with an ID = 400 μm nozzle. 
 
and layer thickness (Figs. 5a and 5b). Inversely, the damping factor and the 
uncovered creep strain decreased, which resulted in a less plastic behavior of the 
scaffolds (Figs. 5c and 5d). The influence of the architecture on the mechanical 
properties of the scaffolds was also studied (Fig. 6). By varying the layer 
configuration from single to double layer printed versions and from 0-90 to 0-45 
fiber orientation, the dynamic stiffness and the equilibrium modulus decreased (Figs. 
6a and 6b), while the damping factor and the unrecovered creep strain increased 
(Figs. 6c and 6d), although the porosity remained constant to 75%. These results 
were then used to make a comparison with the mechanical data on bovine articular 
cartilage. A frequency scan of bovine articular cartilage, solid material and 3DF 
scaffolds has also been performed and depicted in figure 7. This test further assessed 
the modulation of viscoelastic properties of 300PEOT55PBT45 along a frequency 
span typical of physiological conditions [21], since bovine articular cartilage values 
were found in between solid material and 3DF scaffolds. 
Results from the optical measurement of Poisson’s ratio of scaffolds with different 
architectures are shown in figure 8. A modulation from 0.117 to 0.478 by varying 
the scaffolds architecture or by increasing their porosity was measured.
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Figure 5 – Effect of (a, c) fibre spacing and (b, d) layer thickness on, respectively, elastic and plastic 
behaviour of 300PEGT55PBT45 3D scaffolds. Analogous trend were found concerning the influence of 
layer thickness and fibre spacing on the elastic and plastic behaviour, respectively. 00-9090 scaffold 
configuration was fixed. 
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Correspondently, the shear modulus G’ increased from 0.96 ± 0.26 MPa to 8.81 ± 
1.1 MPa (Fig. 9). Poisson’s ratio of cartilage was 0.305 (Fig. 8), and the shear 
modulus was 6.93 ± 1.3 MPa (Fig. 9). All the viscoelastic parameters were measured 
along the main compression axis of the structures, in the “Z-direction”. Therefore, 
from the mechanical characterization performed we cannot infer any information in 
the other directions, since both the fabricated scaffolds and natural cartilage are 
anisotropic structures. 
 
Discussion 
 
In this study, the modulation of the viscoelastic properties of 3D fiber deposited 
PEOT/PBT scaffolds has been investigated. Bovine articular cartilage was also studied 
as a reference to show how 3DF scaffolds can mimic a natural tissue. Firstly, SEM 
analysis revealed a very good consistency between the machine settings and the 
actual parameters. Variations of fiber diameter, fiber spacing and layer thickness 
were due to a decrease of polymer melt viscosity over time as a result of thermal 
degradation. This implied a faster polymer flow out of the tip during printing, and 
consequently a slight increase of fiber diameter at a specific deposition speed. 
Nevertheless, scaffolds presented 100% interconnected pores and were reproducible 
with the same characteristics each time they were processed.  
3DF constructs were mechanically characterized through DMA for different 
geometrical and architectural configurations. From a mechanical point of view, 
these scaffolds were treated and analyzed following a solid-state mechanics 
approach. However, it has to be noted that the macroporous structure plays a 
determinant role on the properties of the whole scaffold. It is, indeed, the 
organization and the volume of macropores that drives the modulation of 
mechanical properties from the bulk material. Dynamic stress and creep recovery 
tests determined the constructs’ dynamic (dynamic stiffness and damping factor) and 
quasi-static (equilibrium modulus and creep unrecovered strain) behavior, 
respectively. Dynamic stiffness and equilibrium modulus increased with decreasing 
fiber spacing and layer thickness. Inversely, the damping factor and the creep 
unrecovered strain decreased, illustrating a less plastic behavior of the scaffolds (see 
figure 5). The observed trends are directly related to the scaffold porosity. In fact, a 
decrease of fiber diameter, fiber spacing or layer thickness results in an increase of 
deposited polymer and a consequent decrease of pore volume within the same 
scaffold volume. A similar trend was also obtained by decreasing the fiber 
deposition speed. In this case, a decrease in the deposition speed resulted in a larger 
polymer flow per traveled distance, which implied a larger fiber diameter and lead 
to a decrease of porosity. As shown in tables 1 and 2, a slight increase in dynamic 
stiffness and equilibrium modulus, and a consequent small decrease in the viscous 
factors was generally experienced from dry to wet conditions. Such an environment, 
as in a physiological setting, introduces a second phase during dynamical load. The 
final measurement is then the sum of the response of the material itself and that of a 
fluid phase being transported in and out of the solid phase through the pores. The 
result is an increase of the apparent stiffness at higher fluid phase viscosities. In the  
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Figure 6 – Effect of scaffold architecture at a constant porosity P = 73% on (a, b) elastic and (c, d) plastic 
behaviour of 3DF scaffolds in different media. Bovine articular cartilage was also tested with the same 
loading protocol as a reference. 
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Figure 7 – Frequency Scan diagram for 300PEGT55PBT45 bulk and 0-90 scaffolds, and bovine articular 
cartilage. An increase of applied load frequency generates a decrease of dynamic viscosity and an increase 
of dynamical stiffness, which is characteristic of viscoelastic materials. Similar behaviour was shown for all 
the other scaffold architectures. 
 
case of the viscous factors such a biphasic liquid-solid system implied a decrease of 
damping and unrecovered creep strain, because part of the lost energy during load 
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is dissipated by the liquid component. This viscoelastic behavior is also encountered 
in many natural tissues and is strictly connected to the macro porous structure of the 
constructs. In fact, a larger pore volume leads to an increase of the mechanical 
response of the fluid component, since more liquid will be pumped through the 
pores of the scaffold.   
 

 
Figure 8 – Influence of scaffold architecture on Poisson’s ratio optical measurement. Bulk and salt leached 
PEOT/PBT scaffold, and bovine articular cartilage were also tested as references to show architectural 
compressibility modulation. 
 

 
Figure 9 – Effect of scaffold architecture on shear modulus, indirectly calculated from Poisson’s ratio and 
dynamical stiffness measurements. 
 

The modulation of PEOT/PBT 3DF scaffolds viscoelastic properties was also found 
for different pore architecture, while the porosity was kept constant. Interestingly, a 
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change in the scaffold from single to double layer configuration and from 0-90 to 0-
45 fiber deposition resulted in a more flexible and plastic construct, while the 
porosity was constant (see figure 6). In the first case, we could infer that an increase 
in the pore size along the compression axis led to a mechanically weaker structure. 
In the second case the local increase of contact points between fibers implied a 
larger contact area and, thus, a decrease of the local stress experienced by the 
structure. This was reflected in lower values of storage and equilibrium modulus. 
Again, a decrease in dynamic stiffness was accompanied by an increase of the 
damping factor, which implied a more plastic behavior of the scaffolds. However, 
while the equilibrium modulus varied in a similar way as the dynamic stiffness, the 
creep unrecovered strain didn’t significantly change with the architecture and was 
considerably low for the fixed porosity analyzed.   
A further assessment of the mechanical modulation of PEOT/PBT scaffolds was given 
by the frequency scan test (Fig. 7). In this case, the higher the frequency with which 
the force was dynamically applied, the higher was the storage modulus (dynamic 
stiffness), but the lower the dynamic viscosity. A comparison between frequency 
scans of bulk polymer, scaffolds, and bovine articular cartilage reveals an enhanced 
viscoelastic behavior for the 3D structure as compared to the bulk one, the plastic 
nature of bovine articular cartilage being even more pronounced than the 
copolymer. 
Concerning the compressibility of the scaffold, the Poisson’s ratio has been measured 
for solid material, salt leached and 3DF copolymer scaffolds. Poisson’s ratios 
generally vary between 0 and 0.5. In this range, the lower its value, the more 
compressible is a material. A comparison of the measured ratios between the 
fabricated scaffolds revealed a compressibility that is controlled by their architecture 
and structure. In particular, a tendency to higher values of Poisson’s ratio for double 
layer and 0-45 configurations of the scaffolds could be detected with respect of 
single layer and 0-90 versions. Therefore, doubling the printed layers with the same 
angle orientation or decreasing the angle orientation step to 45 degrees resulted in 
less compressible scaffolds at constant porosity (see figure 8). 
Similar implications as for dynamic stiffness and equilibrium modulus can be found 
for the shear modulus. Doubling the printed layers with the same angle orientation 
or changing the layer orientation angle step from 90 to 45 degrees, led to less stiff 
scaffolds (figure 9). An increase in pore dimension along the compression axis 
implied a more flexible structure in that direction and apparently also in the 
perpendicular plane, where the shear stress is experienced. A larger contact area 
between the fibers, as previously described, characterizes the 0-45 scaffold 
configuration. Apparently, this affects the local stress field so that a lower shear 
modulus is found. 
A first comparison between the mechanical parameters measured for 3D scaffolds 
and bovine cartilage revealed that a 0-90 layer configuration of the deposited fibers 
was most effective in mimicking the biomechanical behavior of the natural tissue 
with this specific copolymer. It is certainly true that in this scenario the great 
freedom that 3D fiber deposition offers as a fabrication device, allows one to 
customize and render scaffolds for a wide variety of tissue engineering applications. 
It was the aim of this investigation to show how a number of mechanical 
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parameters of 3D scaffolds can be controlled, simply by varying their structure and 
architecture. Evidently, the bulk properties of the material used plays a major role 
on the overall behavior of 3D porous scaffolds. In this respect, the PEOT/PBT 
copolymers give the possibility to look at the effect of bulk properties on 3D porous 
constructs by changing the copolymer composition. Therefore, our following studies 
will be directed to superimpose bulk polymer properties of other PEOT/PBT 
copolymers on the current structural findings. 
 
Conclusions 
 
This study shows how viscoelastic properties of 3D fiber deposited PEOT/PBT blocks 
copolymer scaffolds could be modulated to accomplish mechanical requirements for 
tailored tissue engineered applications. The modulation was not only dependent on 
porosity, but also on fiber deposition and orientation. The scaffold architecture is 
relevant from a biological point of view, since pores size and shape influence cells 
attachment and ingrowth. The 3DF-Bioplotter device is able to fabricate structures 
with high reproducibility and flexibility, and it offers a wide variety of solutions in 
terms of different architectural and geometrical configurations. DMA enables 
tailoring 3D fiber deposition fabrication parameters in order to optimize scaffolds 
architecture and structure. 
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Chapter 3 
 

3D Fiber Deposited PEOT/PBT Copolymer 
Scaffolds for Tissue Engineering: Influence of 
Porosity, Molecular Network Mesh Size and 

Swelling in Aqueous Media on Dynamic 
Mechanical Properties  

 
L. Moroni a*, J.R. de Wijn a, C.A. van Blitterswijk a 

a, * Institute for BioMedical Technology (BMTI), University of Twente, P.O. Box 217, 
7500 AE Enschede, The Netherlands. E-mail: l.moroni@tnw.utwente.nl 

Abstract 

mong novel scaffold fabrication techniques, 3D fiber deposition (3DF) has 
lately emerged as a means to fabricate well-defined and custom-made 
scaffolds for tissue regeneration, with 100% interconnected pores. The 

mechanical behavior of these constructs is dependent not only on different three-
dimensional architectural and geometric features, but also on the intrinsic chemical 
properties of the material used. These affect the mechanics of the solid material and 
eventually of 3D porous constructs derived from them. For instance, poly(ethylene 
oxide terephthalate)-poly(butylene terephthalate) (PEOT/PBT) block copolymers are 
known to have mechanical properties, depending on the PEOT/PBT weight ratio in 
block form and on the molecular weight of blocks of poly(ethylene glycol) (PEG) 
blocks. These differences are enhanced even more by their different swelling 
properties in aqueous media. Therefore, in this paper we have studied the influence 
of copolymer compositions in terms of their swelling on dynamic mechanical 
properties of solid material and porous 3DF scaffolds. The molecular weight of the 
starting PEG blocks used in the copolymer synthesis varied from 300 g/mol to 1000 
g/mol. The PEOT/PBT weight ratio in the blocks used varied from 55/45 to 80/20. 
This corresponded to an increase of the swelling ratio Q from 1.06 to 2.46, and of 
the mesh size ξ from ~ 9 Å to ~ 47 Å. With increased swelling, dynamic mechanical 
analysis (DMA) revealed a decrease in elastic response and an increase of 
viscoelasticity. Thus, by coupling structural and chemical characteristics, the 
viscoelastic properties of PEOT/PBT 3DF scaffolds may be fine tuned to achieve 
mechanical requirements for a variety of engineered tissues. Ultimately, the 
combination of 3DF and DMA may be useful to validate the hypothesis that 
mimicking the biomechanical behavior of a specific tissue for its optimal replacement 
is an important issue for at least some tissue engineering applications. 
Keywords: rapid prototyping, 3D fiber deposition, dynamic mechanical analysis, swelling ratio, mesh size. 
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Introduction 
 
Since many natural tissues demonstrate constrained viscoelastic properties [1-5], it is 
relevant from a biological point of view to study whether scaffolds can be 
fabricated so as to modulate this behavior. The mechanical response of scaffolds 
depends in the first place on the properties of the solid material employed. 
Furthermore, when scaffolds are fabricated with a three-dimensional porous 
architecture the effect of porosity is superimposed on the mechanical properties of 
the solid material. Scaffold behavior will thus depend on the void fraction, fabric 
architecture and material properties. The intrinsic chemical composition of the 
material used is therefore relevant. In the particular case of polymeric scaffolds, their 
composition can be changed in order to fine tune mechanical properties. This can be 
accomplished by varying the polymer chemistry or adding two or more polymers to 
form copolymer blocks.  
Within this picture, block-copolymers of polyethyleneoxide-terephtalate (PEOT) and 
polybutylene-terephtelate (PBT) have been investigated. These polyether-ester 
multiblock copolymers belong to a class of materials known as thermoplastic 
elastomers which exhibit good physical properties like elasticity, toughness and 
strength in combination with easy processing, as described in chapter 1. This class of 
polymers have been extensively studied for in vitro and in vivo biocompatibility [6-
9] and found clinical applications (PolyActive™, IsoTis Orthopaedics S.A.) as cement 
stoppers and bone fillers in orthopedic surgery [10, 11]. Being polyether-esters 
degradation occurs in aqueous media, by hydrolysis and oxidation, at a rate that 
varies from very low for high PBT contents to medium and high for larger contents 
of PEOT and longer PEO segments [12-14].  Similarly, by varying the PEOT/PBT 
ratio and the length of the PEO segments, a series of copolymers can be obtained 
covering a wide range of mechanical properties with different abilities to swell in 
aqueous media [12, 13]. The swelling capacity is due to the hydrophilic nature of 
PEO and proportional to the polymeric network mesh size, i.e., the effective length 
of the soft segments between the physical cross-links [12]. This is an important 
parameter not only determining mechanical properties but also the diffusion rate of 
pharmaceutical compounds in controlled release systems. In this respect dynamic 
mechanical analysis (DMA) is valuable to measure the viscoelastic behavior of 
scaffolds fabricated out of these hydrogels (as these polymers are sometimes referred 
to) and allows the tailoring of test conditions in order to simulate the physiological 
environment of the tissue to be reconstructed [15-19]. Several rapid prototyping 
techniques offer the possibility of directly fabricating scaffolds with different 
geometric structures and with different material properties. These scaffolds are built 
layer by layer through material deposition on a stage via computer aided design 
(CAD) models and computer-controlled tooling processes (CAM), either as a molten 
thermoplast (known as fused deposition modeling techniques) [20, 21] or as 
droplets together with a binding agent (referred to 3D printing techniques) [22, 23]. 
Among these rapid prototyping devices 3D plotting [24-26] and 3D fiber deposition 
(3DF) [27, 28] has been recently developed and used for tissue engineering 
purposes, the latter being a modified system of 3D plotting for the extrusion of 
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highly viscous polymers. 3DF is, essentially, a fused deposition technique in which 
an extrudate of molten polymer is deposited from a servomechanically controlled 
syringe that applies pressure onto a stationary stage. The outcomes of this process 
are scaffolds with pores which are interconnected per definition, since during 
fabrication the layers are deposited as interpenetrating networks (material and void, 
see figure 1). These scaffolds have a defined structure and architecture, and can be 
built with a customized shape by CAD-CAM techniques. In contrast, conventional 
techniques require a percolating distribution of a porogen agent in the material to 
achieve 100% interconnectivity. For instance, salt leaching is based on the statistical 
occurrence of contacts between salt crystal, which limits pore size and shape 
depending on the crystal dimension and distribution within the material. The greater 
flexibility of 3D fiber deposition in creating scaffolds gives the opportunity to use 
this device to study the influence of different structural phenomena on tissue 
reconstruction.  

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 1 – The Bioplotter fabrication process. Scheme adapted with permission from Woodfield et al [27].  
 
In this study we focus on the effects of the copolymer swelling ratio on viscoelastic 
properties such as equilibrium or dynamic modulus and damping factors of solid 
material and porous 3DF scaffolds. Besides the obvious need for a minimum of 
strength these viscoelastic properties, especially the stiffness, are considered to be of 
primary importance for initial performance of scaffolds in tissue engineering 
applications [29]. With constant porosity, we assume that reduced swelling, and 
short and soft segments interspersing larger hard blocks will give a stiffer and less 
plastic structure. In contrast, greater swelling of the polymer with long and soft 
segments separating smaller hard blocks will result in a more flexible, if not 
deformable, scaffold. The data obtained can be used to generate a set of multi 
dimensional matrixes, where viscoelastic parameters are expressed as functions of 
porosity and material swelling ratio, and then compared to the corresponding 
parameters of the natural tissues into which they will be grafted or replace. This tool 
should be helpful to design an optimal scaffold [30-33] for a specific tissue 
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engineering application, in terms of porosity, swelling ratio and mechanical 
properties.  
 
Materials and Methods 
 
Scaffolds Fabrication 
 
aPEOTbPBTc co-polymers were obtained from IsoTis S.A. (Bilthoven, The 
Netherlands). In this investigation, the molecular weight of starting PEG blocks was 
(a) 300 g/mol, 600 g/mol and 1000 g/mol, while PEOT/PBT ratio (b and c) was 
55/45, 70/30 and 80/20 in weight percentage. 
3D scaffolds were fabricated with a Bioplotter device (Envisiontec GmbH, 
Germany), which is a XYZ plotter construction as previously described by Landers et 
al. [24, 26]. Few modifications were performed before this device was used to 
extrude highly viscoelastic fibers or filaments. Briefly, polymer granules were loaded 
in a stainless steel syringe and heated at a temperature T (180°-200°C) , through a 
thermal cartridge unit mounted on the mobile “X”-arm of the apparatus. When the 
polymer reached the molten phase, a nitrogen pressure P was applied to the syringe 
through a pressure cap. Nitrogen was used in order to minimize the copolymer 
oxidation. Table 1 introduces values for T and P used to fabricate 3D scaffolds with 
different copolymer compositions. Rectangular block models were CAD-designed 
with Rhinoceros software (Delft Spline, The Netherlands), loaded on the Bioplotter 
CAM software and deposited layer by layer, through the extrusion of the polymer 
as a filament onto a stage. The scaffold was then rendered by the filament diameter 
and spacing, and by the layer thickness, which in turn determined the pore size and 
overall porosity. The nozzle used to extrude the molten polymer was a stainless 
steel Luer Lock hypodermic needle with internal diameter (ID) of 400 μm, and 
shortened to a length of 16.2 mm. This needle diameter has been chosen because 
experimentally it appeared to be the best compromise in terms of feasible scaffold 
porosities and fabrication time. The resolution in terms of dimensional accuracy is 
limited by the filament diameter, which is dependent on the needle diameter. The 
smallest needle diameter that could be used for the highly viscous polymer melts 
and a maximum nitrogen pressure of 6 bars had an internal diameter of 150 μm.  
Solid compression molded scaffolds were also fabricated as reference for the 3D 
scaffolds characterization. Briefly, for each composition 4 grams of copolymer were 
melted at T = 180 °C and left to cool at room temperature under a pressure of 5 
bars. Cylindrical samples 6 mm in diameter by 4 mm in height were punched out 
using a cork drill in the “Z-direction” from solid and 3D scaffolds for mechanical 
characterization.  
 
Bovine Articular Cartilage Harvest 
 
Bovine articular cartilage plugs of the same dimension as the 3D scaffold specimens 
were punched out from the knee of a 6-month old calf. The specimens obtained 
were perpendicularly sectioned. Once the knee was opened, cartilage plateaus were 
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kept hydrated with phosphate-buffered saline (PBS) (Gibco-BRL), while the 
cylindrical plugs were cored from the femoral condyle. The samples were then 
stored in PBS and mechanically tested during the same day. 
 
Scaffolds Characterization 
 
Scaffold geometry and architecture were characterized by scanning electron 
microscopy (SEM) analysis. The porosity of 3D plotted scaffolds was calculated 
following the theoretical approach by Landers et al. [24]: 
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                                                                         (1) 

 
where P is the scaffold porosity, d1 the filament diameter, d2 the filament spacing 
and d3 the layer thickness, within each different structure. 
Porosity was also experimentally measured by analyzing the mass and the volume 
of each scaffold, as: 
 

ρ
1

V
M

1P ⋅−=                                                                                                       (2) 

 
where, M and V are the measured mass and volume of the scaffolds, while ρ is the 
specific density for all the PEOT/PBT block copolymers tested. Since there were only 
small differences (< 1%) between theoretical and experimental porosity we referred 
to the theoretical one, as more conformal to the fabrication parameters of the 
Bioplotter. Porosities were measured in the dry unswollen state, but differentiation 
of equations (1) and (2) shows that swelling has no influence on the porosity.  
For a physico-chemical characterization of the fabricated scaffolds, the number 
average molecular weight Mn of the copolymer used was measured with Gel 
Permeation Chromatography (GPC), before and after plotting. Samples were 
dissolved in and eluted with 0.02M sodiumtrifluoroacetate (NaF3Ac) in 
hexafluoroisopropanol (HFIP) through a Polymer Labs (PL) HFIP gel guard column 
(50 x 7.5 mm) and two PL HFIP gel analytical columns (300 x 7.5 mm). Flow rate 
was 1ml/min and a refraction index detector was used. The molecular weights (Mn 
and Mw) were determined relative to polymethylmethacrylate (PMMA) standards.  
To measure the volume swelling ratio Q, the scaffolds were put in PBS at 37 °C and 
left for three days to reach a swollen equilibrium state. Q was calculated as [13]: 
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where ρ was taken for simplicity as 1.2 g/ml for all the compositions, Mswollen is the 
scaffold equilibrium wet weight, and Mdry is the scaffold dry weight. The swollen 
weight was measured after having blotted the scaffolds with a tissue and after 
having expelled the water from the pores by applying pressurized air. 
The polymeric network mesh sizes were also calculated from the swelling ratios and 
the equilibrium moduli, according to rubber elasticity theories [12, 34, 35]: 
 

⎟
⎠

⎞
⎜
⎝

⎛ −⋅⋅⋅⋅=
2e

1/3
p

1
TR

α
ανφσ                 (4) 

 
where α is the reduced stress, R is the universal gas constant, T is the absolute 
temperature, φ p is the polymer volume fraction in the equilibrium swollen state 
considered as 1/Q, ν e is the elastically effective network chain concentration and α  
is the ratio of deformed to undeformed length of the sample. Equation 4 is based on 
the affine deformation assumption (network nodes displace similar as sample length 
under deformation), as formulated by Treloar et al [35]. Thus, ν e is obtained from 
the measured equilibrium modulus Ha: 
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From ν e the cross-links molecular weight is derived according to rubber elasticity 
theories [34] and solute diffusion rate considerations in controlled release systems 
[12, 36]: 
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where v  is the specific volume of the dry polymer (0.83 cm3/g), Mn is the number 
average molecular weight (g/mol), and Mc is the molecular weight of the chains 
between cross-links. Then, the mesh size is computed as [12, 36, 37]: 
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where l is the bond length (approximated to 1.5 Å, which is the average of one 
carbon-carbon bond and two carbon-oxygen bonds), C∞ is the characteristic ratio 
(3.8 for PEG) [38], and n is the average number of bonds between cross-links, 
determined by: 
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r

cPEG

M
Mx

3n
⋅

⋅=                  (8) 

 
where, xPEG is the weight fraction of PEG in the copolymer and Mr is the molecular 
weight of the repeating unit of PEG (44 g/mole). 
 
Dynamic Mechanical Analysis 
 
A DMA instrument (Perkin Elmer 7e) was used to measure viscoelastic properties of 
the 3D fabricated scaffolds. For each configuration three samples were analyzed for 
all the experiments performed. Cylindrical fixtures were chosen to test the specimens 
and evaluate their behavior as a whole structure along their compression axis, in the 
“Z-direction”. 
Scaffolds and cartilage plugs were loaded with a dynamic force varying from 3.5N 
to 4.5N in a dynamic stress experiment. More specifically, a starting force of 3.5N 
was applied and then continuously increased to 4.5N with a sinusoidal loading 
ramp of 50mN/min, at a constant frequency of 1Hz. Dynamic stiffness and damping 
factor were calculated by the instrument software (Pyris).  
In a creep and recovery test the scaffolds were tested to analyze their equilibrium 
properties. Samples were first pre-loaded with a recovery force of 100mN for two 
minutes. Then, a force of 3.5N was applied instantaneously and kept for three 
minutes, after which the loading condition was set back to the recovery value. This 
protocol was cycled three times to assess if there was any difference, after each 
loading cycle, in terms of equilibrium modulus and unrecovered creep strain values. 
The same experiment was repeated with a loading force of 4.5N to assess creep and 
recovery properties of the fabricated scaffolds in the minimum and maximum force 
range applied during the dynamic stress test. 
The tests were conducted under wet conditions: a synovium-like fluid was prepared 
as a 3% (w/v) solution of polyvinilpyrrolidone (PVP) in de-ionized water. This was 
done to simulate the physiological environment of articular cartilage. Scaffolds were 
soaked in PVP-solution overnight, before loading. The temperature was 37 °C 
during all of the experiments.   
 
Results 
 
Scaffolds Characterization 
 
aPEOTbPBTc 3D scaffolds with different pore geometry and swelling ratio were 
fabricated. An increase in the molecular weight of the starting soft PEG blocks from 
300 g/mol to 1000 g/mol, and an increase in the relative percentage of soft blocks 
versus the hard ones in the final copolymers from 55/45 to 80/20, corresponded to 
an increase of the overall swelling ratio Q of the scaffolds [12-14]. Copolymer 
filaments were deposited with a diameter d1 = 260 μm, while filament spacing d2 
was 600 μm, 800 μm and 1000 μm, and layer thickness d3 was 150 μm, 250 μm 
and 350 μm. Figure 2 illustrates the resulting structures. Variation in the fabrication 

Po
ro

sit
y,

 M
es

h 
Si

ze
 &

 S
w

el
lin

g 



Chapter 3 

 67 

parameters resulted in a modulation of 3DF scaffolds porosity from 41% to 85%. 
Scaffolds with the same geometrical specification built with different copolymer 
ratios and PEG molecular weights had similar porosity. 
 

  

  
Figure 2 – SEM and optical microscope micrographs of 300PEOT55PBT45 3D fiber deposited scaffolds. 
Cross sections and surface (d) of three different pore geometries are shown. Filament diameter d1 = 260 
μm. (a) d2 = 600 μm and d3 = 350 μm; (b) d2 = 800 μm and d3 = 250 μm; (c) d2 = 1000 μm and d3 
= 150 μm. Scale bar: (a-c) 500 μm; (d) 800 μm. 
 
SEM analysis revealed consistency between the theoretical and real values of 
filament diameter, filament spacing and layer thickness among all of the fabricated 
scaffolds. Filament diameter d1 varied from 261 ± 8 μm to 292 ± 9 μm (Table 1), 
depending on the copolymer composition. Filament spacing measured 605 ± 12 μm, 
807 ± 28 μm, and 1001 ± 0.00 μm. Layer thickness was 148 ± 10 μm, 257 ± 11 μm, 
and 344 ± 11 μm, respectively for all the copolymer compositions. The fluctuations 
in the values were due to the time the copolymers stayed in the syringe. Slight 
thermal degradation caused the polymer melt viscosity to decrease with time. 
Scaffolds presented 100% interconnected pores and were reproducible with the 
same characteristics each time they were processed.  
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Table 1 – Process parameters and geometrical characterization of 3DF scaffolds with different copolymer 
compositions. Deposition speed was constant at V = 300 mm/min. 
 
The physico-chemical parameters characterizing the copolymers used are shown in 
Table 2. GPC analysis revealed that the number average molecular weight did not 
change much before and after plotting. Therefore, Mn values of the solid materials 
were used to calculate the molecular weight between the cross-links Mc. Mn varied 
from 50.67 kg/mol to 46.76 kg/mol with increasing PEOT/PBT block ratios from 
55/45 to 80/20, respectively, and from 46.76 kg/mol to 57.79 kg/mol with 
increasing the length of the starting PEG segments from 300 g/mol to 1000 g/mol. 
Consequently, Mc varied from 250 g/mol for 300PEOT55PBT45 to 2550 g/mol for 
1000PEOT80PBT20. The equilibrium swelling ratio Q of solid scaffolds varied from 
1.06 ± 0.01 to 2.31 ± 0.05 in the same copolymer range. Q was found to be 
slightly higher for 3DF scaffolds, varying from 1.13 ± 0.01 to 2.46 ± 0.21. This did 
not considerably affect the calculated mesh size ξ that ranged from 9 Å to 47 Å 
depending on 3DF scaffold swelling ratios, or from 9.27 Å to 46 Å when solid 
swelling ratios were used.   

 

 
Table 2 – Network characterization of swollen PEOT/PBT copolymers as solid material and 3DF scaffolds 
in PBS at 37ºC. 
 
 
Dynamic Mechanical Properties 
 
The dynamic mechanical properties of solid material and 3DF scaffolds of different 
copolymer compositions were determined with DMA. A correlation between the 
solid equilibrium modulus Ha and the equilibrium swelling ratio Q was found, with 
a correlation coefficient r2 = 0.97 (Fig. 3): 
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In the case of 3DF porous scaffolds, a general trend between the swelling ratio and 
the viscoelastic parameters was found within the porosity range analyzed (see 
figures 4 and 5). In particular, with increasing swelling ratio and porosity the 
dynamic stiffness decreased from 9.7 ± 0.5 MPa to 0.13 ± 0.06 MPa, while the 
damping factor tan ∂ increased from 0.064 ± 0.0045 to 0.197 ± 0.0042. 
Analogous behavior was found for the equilibrium modulus and the unrecovered 
creep strain, respectively. The equilibrium modulus decreased from 6.33 ± 1.47 
MPa to 0.15 ± 0.001 Mpa, while the unrecovered creep strain increased from 0.7 ± 
0.43% to 85.97 ± 27.15%. The dynamic stiffness and damping factor of bovine 
articular cartilage were measured as 9.64 ± 1.81 MPa and 0.175 ± 0.03, while 
equilibrium modulus and creep unrecovered strain were 0.64 ± 0.16 MPa and 46.91 
± 9.86%, respectively. 
 

 
Figure 3 – Correlation between the solid copolymer equilibrium modulus Ha and the equilibrium swelling 
ratio Q, as theoretically introduced in equation (4). R2 = 0.97. 
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Figure 4 – General effect of the swelling ratio on the dynamic stiffness of 3DF porous scaffolds. A few 
different porosities are depicted to exemplify the variation in stiffness with porosity. 
 

 
Figure 5 – General effect of the swelling ratio on the damping factor tan ∂ of 3DF scaffolds. A few 
different porosities are presented to illustrate the correlation of damping with porosity. 
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A linear correlation was found for the equilibrium swelling ratio Q and the mesh 
size ξ of 3DF scaffolds (r2 = 0.96, figure 6). Such a relationship is described by: 
 

26.5Q28.4 −⋅=ξ                   (10)   
 
Therefore, the viscoelastic parameters can also be related to the network mesh size 
and porosity. Scaffold mechanical properties, swelling ratio (or mesh size) and 
porosity can thus be used to construct a reliable multi-dimensional correlation 
matrix. This can be used to fine tune scaffolds to mimic a natural tissue. Figure 7 
introduces an example of such a matrix. Dynamic stiffness values for bovine articular 
cartilage, cancellous bone [39], and skin [40] are also depicted to demonstrate how 
the matrix can be used to compare mechanical properties of synthetic scaffolds with 
potential for repair or replacement of defective tissue. 
 

 
Figure 6 – Linear Correlation between polymer network mesh size and equilibrium swelling ratio. R2 = 
0.96. 
 
Discussion 
 
The intrinsic and structural properties of solid and 3D porous plotted PEOT/PBT 
copolymer scaffolds have been evaluated and correlated with their mechanical 
behavior. This family of copolymers has already been of great interest for tissue 
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engineering and drug delivery applications, because by varying the molecular weight 
of the starting PEG segments and the weight ratio of PEOT and PBT blocks it is 
possible to tailor properties, such as wettability [41], swelling [12-14], 
biodegradation rate [14], protein adsorption [42], and mechanical properties [27]. 
As expected, an increase in the molecular weight of the starting PEG blocks and an 
increase of the PEOT weight ratio in the composition led to an enhancement of the 
materials swelling capacity, reflected by the increase of Mc and ξ (table 2). Slightly 
higher values of Q were observed for 3DF scaffolds with respect to the solid 
material. This might be due to a better water uptake capacity of the copolymers in a 
filament shape, which results in a higher surface to volume ratio than solid materials. 
For what concerns the mechanical behavior of the different copolymer compositions, 
a correlation between the solid PEOT/PBT equilibrium modulus Ha and its volume 
equilibrium swelling ratio Q was found, where Ha is related to (1/Q)^1/3 (figure 3). 
This is in agreement with the theory of rubber elasticity introduced by Treloar et al 
[35]. Therefore, solid PEOT/PBT copolymers appear to behave as rubbery polymers, 
with very low plasticity. When porosity is superimposed on the solid material by 
structuring it into a scaffold, the plastic behavior is enhanced, even though the 
damping factors remain relatively low (e.g. see figure 5).     
From a molecular point of view, by increasing the length of the starting PEG soft 
segments, the dynamical stiffness and the equilibrium modulus decreased, while the 
damping factor and the unrecovered creep strain increased. Therefore, an increase 
of swelling ratio for the 3DF scaffolds appears to result in a less stiff and more plastic 
mechanical behavior. This softening is consistent with the physico-chemical structure 
of the materials used. An increase of the length of the PEG soft blocks generates 
bigger soft PEOT domains, at constant ratio between PEOT and PBT blocks in the 
copolymer. Similarly, an increase of PEOT weight percentage in the copolymers 
with constant length of the starting PEG soft segments led to a decrease of the elastic 
moduli and a corresponding increase of the viscous factors as damping and creep. 
Again, larger numbers of soft regions with respect to the hard ones in the whole 
structure of the material entailed an enhanced plastic behavior. With constant 
copolymer composition, the mechanical parameters were related in an exponential 
way to porosity. 
Furthermore, a linear correlation between the equilibrium swelling ratio Q and the 
molecular network mesh size ξ was found for 3D scaffolds. Remarkably, this 
confirms the relationship between the polymer water uptake capability and the 
chain network mesh size as already has been shown by Bezemer et al. [12] for solid 
PEOT/PBT films and by Canal et al. [37] for polyvinylalcohol hydrogel systems with 
Q < 10, suggesting that from a strictly physico-chemical point of view solid material 
and 3D porous scaffolds can be treated with a similar approach. The experimental 
relationship is also in agreement with the theory of rubber elasticity, as given by 
equations (4) to (8), from which a more general positive correlation is calculated 
between ξ and Q of hydrogel systems, where ξ depends on Qn with n ≤ 1. The 
mesh size identifies the mean distance between successive cross-links and, therefore, 
determines the maximum size of solutes that can diffuse through the network [12]. 
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Similarly, a larger network mesh size is expected to result in a material with a more 
flexible and plastic behavior.  
By coupling geometric and architectural features with chemical properties of the 
copolymers used, it was possible to create multi-dimensional correlation matrices 
that can be used to optimize 3D fiber deposited scaffolds in terms of mechanical 
properties for a specific tissue engineering application (Fig. 7). Since a dynamic 
loading condition is the most realistic setting to characterize the mechanical 
behavior of materials and tissues in use, dynamic stiffness has been chosen to 
exemplify these matrices. Dynamic stiffness appears to be modulated by scaffold 
porosity and swelling ratio. Values for articular cartilage, cancellous bone [39], and 
skin [40] are also included in figure 7 as an example of matching mechanical 
properties. From a strictly practical clinical point of view, the prevailing stresses are 
too high to consider this copolymer family for in vivo bone tissue engineering. 
These scaffolds would fail under a severe physiological loading. In the case of 
trabecular bone, its stiffness (between 90 MPa and 400 MPa [43]) could be 
sustained by a stiff PEOT/PBT composition such as solid 300PEOT55PBT45. Yet, it is 
not only the intrinsic stiffness of the scaffold but also its organization and 
architecture that affects its integrity with the surrounding environment. A PEOT/PBT 
scaffold with a porous irregular structure typical of trabecular bone would fail under 
physiological load, since the superimposition of porosity on the structure would 
dramatically reduce its final in vivo stiffness and strength.  
 

 
Figure 7 – Multi-dimensional mechanical matrix: effect of porosity and swelling ratio of PEOT/PBT 3DF 
scaffolds on dynamic stiffness. Similar matrix can be generated for equilibrium modulus, damping factor, 
and unrecovered creep strain. Cancellous Bone and skin storage modulus values are from Einhorn et al. 
[39] and Dirillidou et al. [40], respectively. 
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However, the importance of such a mimicking process remains to be validated in 
terms of tissue regeneration. Further studies will be performed in the future to 
validate the assumed relevance of scaffolds dynamic mechanical properties on newly 
engineered tissue. 
       
Conclusions 
 
3DF polymeric scaffolds have been characterized through DMA, in terms of their 
viscoelasticity. Overall structure porosity is the main factor that modulates the 
viscoelasticity of 3D constructs, but the chemical composition of the PEOT/PBT 
copolymers used in our study appeared to be another important determinant of 
their mechanical properties. As swelling increases there is a decrease in the elastic 
moduli and an increase in the other viscoelastic parameters. If mimicking the 
biomechanical behavior of the tissue to be grown is a key point in tissue engineering, 
coupling 3DF techniques and DMA allows us to create a powerful system to select 
the most favorable scaffold for a specific application. We have generated a wide 
range of 3DF scaffolds in terms of architectural and geometric features, the 
viscoelastic properties of which are correlated with the overall porosity and the 
chemical composition of the copolymer used. Nevertheless, the role of scaffolds 
mechanical properties for the performance in tissue engineering applications remains 
an open question. It will be interesting to determine whether the optimal internal 
structure and polymeric composition of a fabricated scaffold in terms of cell 
attachment and viability, will also be most closely approaching the natural tissue’s 
mechanical properties. 
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Abstract 
 

echanical properties of three-dimensional (3D) scaffolds can be 
appropriately modulated through novel fabrication techniques like 3D 
fiber deposition (3DF), by varying scaffold’s pores size and shape. 

Dynamic stiffness, in particular, can be considered as an important property to 
optimize the scaffold structure for its ultimate in vivo application to regenerate a 
natural tissue. Experimental data from dynamic mechanical analysis (DMA) reveal a 
dependence of the dynamic stiffness of the scaffold on the intrinsic mechanical and 
physico-chemical properties of the material used, and on the overall porosity and 
architecture of the construct. The aim of this study was to assess the relationship 
between the above-mentioned parameters, through a mathematical model, which 
was derived from the experimental mechanical data. As an example of how 
mechanical properties can be tailored to match the natural tissue to be replaced, 
articular bovine cartilage and pig knee meniscus cartilage dynamic stiffness were 
measured and related with the modeled 3DF scaffolds dynamic stiffness. The 
dynamic stiffness of 3DF scaffolds from Poly(Ethylene Oxide Terephthalate)-
Poly(Butylene Terephthalate) (PEOT/PBT) copolymers was measured with DMA. 
With increasing porosity, the dynamic stiffness was found to decrease in an 
exponential manner. The influence of the scaffold architecture (or pore shape) and 
of the molecular network properties of the copolymers was expressed as a scaffold 
characteristic coefficient α, which modulates the porosity effect. This model was 
validated through an FEA numerical simulation performed on the structures that 
were experimentally tested. The relative deviation between the experimental and 
the finite element model was less than 15% for all of the constructs with a dynamic 
stiffness higher than 1 MPa. Therefore, we conclude that the mathematical model 
introduced can be used to predict the dynamic stiffness of a porous PEOT/PBT 
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scaffold, and to choose the biomechanically optimal structure for tissue engineering 
applications.  
 
Keywords: 3D scaffolds, Poly(Ethylene Oxide Terephthalate)-Poly(Butylene Terephthalate), porosity, 
architecture, swelling, tissue engineering. 

 
Introduction 
 
Rapid prototyping techniques have been extensively used to fabricate three-
dimensional (3D) scaffolds for tissue engineering purposes [1-5]. The versatility of 
these techniques [6-9] and the precision in the structures obtained make them very 
appealing systems to customize scaffolds towards specific applications [10-14]. 3D 
plotting [15-17] and 3D fiber deposition (3DF), in particular, in which a scaffold is 
fabricated in a computer controlled pattern on a stage as layers of fibers, have been 
demonstrated to be very effective in terms of pore interconnectivity, shape and size, 
at the same time keeping a good reproducibility of the structures generated [18-21]. 
The ability to modulate the geometric and architectural features of constructs allows 
us to consider using this technique as a powerful tool to thoroughly study the effect 
of porosity and architecture on the mechanical properties of these scaffolds. 
Copolymers of poly(ethylene oxide terephthalate)-poly(butylene terephthalate) 
(PEOT/PBT) comprise a family of resorptive polymers with specific hydrogel 
characteristics. These polyether-ester multiblock copolymers belong to a class of 
materials known as thermoplastic elastomers which display good physical properties 
to function during tissue regeneration like elasticity, strength and toughness, in 
combination with easy processing. These properties derive mainly from the phase-
separated morphology of these copolymers, in which soft, hydrophilic PEO 
segments at handling temperatures are physically cross-linked by the presence of 
hard, semi crystalline PBT segments. In contrast to chemically cross-linked materials, 
these cross-links are reversible and will be disrupted at temperatures above their 
glass transition- or melting-point which gives the material its good handling 
properties. By controlling the PEOT/PBT ratio, the characteristic dimension (mesh 
size, figure 2) of the molecular network can be varied to obtain polymers with a 
broad range of biodegradation rate, hydrophilicity, swelling, and, consequently, 
mechanical properties. This class of polymers has been extensively investigated for in 
vitro and in vivo biocompatibility [22-25] and used in the clinic as cement restrictors 
and bone fillers in orthopaedic surgery (PolyActive™, IsoTis OrthoBiologics S.A.) [26, 
27]. Being polyether-esters degradation occurs in aqueous media, by hydrolysis and 
oxidation, at a rate that varies from very low for high PBT contents to medium and 
high for larger contents of PEOT and longer PEO segments [28-30]. In vivo the 
degraded fragments of the copolymer are phagocytosed by macrophages, which 
play a major role in their removal.  
We have previously shown how the viscoelastic properties of PEOT/PBT 3DF 
scaffolds depend on overall porosity, fiber deposition and mesh size of the 
molecular network through dynamic mechanical analysis (DMA) [20, 21]. With 
increasing porosity and with increasing mesh size, the decrease of the compressive 
modulus, further referred to as dynamic stiffness, and of the equilibrium modulus 
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experienced by DMA follows an exponential trend. Conversely, the damping factor 
and the unrecovered creep strain appear to increase in an exponential manner. 
In this paper we focus on the assessment of this mathematical model, derived from 
the experimental data, through a numerical investigation of the scaffold’s 
mechanical properties by finite element analysis (FEA). The analysis has been 
restricted to dynamic stiffness, since it can be considered the most important 
mechanical parameter in characterizing a scaffold for its final in vivo application. 
Since mimicking the mechanical behavior of the natural tissue to be replaced is a 
general requirement in designing a scaffold, an example of how the dynamic 
stiffness of the modeled 3DF scaffolds can be tailored to match articular bovine 
cartilage and porcine knee meniscus cartilage throughout their resorption is studied. 
Articular bovine cartilage was chosen because of the similar mechanical properties as 
compared with human articular cartilage, while porcine knee meniscus cartilage was 
chosen because of the similar dimension with respect to human knee meniscus. The 
scaffold stiffness as resulting from the numerical analysis approach is dependent on 
FEA parameters such as the total area of the scaffold taken into consideration for the 
computation, the number of elements generated during meshing, and the number of 
serial slices stacked together to generate the simulation model of the scaffolds. The 
results of the numerical analysis were compared with the experimental data to assess 
their consistency and to test the mathematical model.  
 
Materials and Methods 
 
Scaffold Fabrication 
 
aPEOTbPBTc copolymers were obtained from IsoTis S.A. (Bilthoven, The 
Netherlands). The molecular weight of starting PEG blocks (a) was set to 300 g/mol, 
600 g/mol and 1000 g/mol, while PEOT/PBT ratio (b and c) was set to 55/45, 
70/30 and 80/20. 
3DF scaffolds were produced with a Bioplotter device (Envisiontec GmbH, 
Germany), which is essentially an XYZ plotting device that was previously described 
by Landers et al. [15-17] and by our group [18-21]. A few modifications were done 
to enable the extrusion of highly viscous PEOT/PBT fibers (see figure 1). Briefly, the 
polymer was put in a stainless steel syringe and heated at T = 190 °C through a 
thermostated cartridge unit, fixed on the “X”-mobile arm of the apparatus. When 
the polymer reached a molten phase, a nitrogen pressure of 5 Bars was applied to 
the syringe through a pressurized cap. Rectangular block models were loaded on the 
Bioplotter CAM software and deposited, layer by layer, through the extrusion of the 
polymer on a stage as a fiber. Scaffolds were then rendered by varying the fiber 
diameter (through the nozzle diameter or the deposition speed), the spacing 
between fibers in the same layer, the layer thickness and the configuration of the 
deposited fibers within the whole architecture. The nozzles used to extrude the 
polymer filaments were stainless steel Luer Lock needles with internal diameter (ID) 
of 400 μm and 200 μm, shortened to a length of 16 mm. This resulted in extruded 
fibers with a diameter d1 of 260 μm and 170 μm, respectively. The fiber spacing d2 
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was set to 600 μm, 800 μm and 1000 μm, and the layer thickness d3 was originally 
set to 150 μm, 250 μm and 350 μm. Since the adhesion of fibers between two 
subsequent layers was compromised at layer thicknesses larger than 60% of the fiber 
diameter value, d3 = 275 μm was chosen as the largest value for the set of scaffolds 
with d1 = 170 μm. The architecture was changed by depositing fibers with 45° or 
90° orientation steps between two successive layers (called 0-45 and 0-90 
configurations respectively) and by modifying the fiber orientation after one or after 
two deposited layers (referred to as single and double layer configurations 
respectively), as depicted in figure 1. The deposition speed was also varied between 
100 mm/min and 300 mm/min, resulting in a decrease of both the fiber diameter 
and the overall porosity of the scaffolds. 
 

 
Figure 1 – Drawing of a Bioplotter device and 3DF fabrication process. 0-90 and 0-45 scaffold 
architectures in single and double layer versions are illustrated. Inserts shows the quadrangular (top) and 
polygonal (bottom) pore shapes. 
 
Solid non-porous scaffolds were also fabricated by injection molding, as a reference 
for the 3D scaffold characterization. Briefly, for each composition 4 grams of 
polymer were molten at T = 180 °C in a stainless steel mold and left to cool down 
at room temperature under a pressure of 5 bars. Solid sheets with the same 
dimensions as the 3D scaffolds were then obtained. 
 
Scaffold Characterization 
 
Cylindrical samples of 6 mm in diameter by 4 mm in height were punched out using 
a cork drill in the “X, Y, and Z-directions” from the rectangular 3DF blocks for 
mechanical analysis. Scaffold geometry and architecture were characterized by 
scanning electron microscopy (SEM) with a Philips XL 30 ESEM-FEG. The fiber 
diameter (d1) and spacing (d2), and the layer thickness (d3) were measured for 
three different samples and for all the fibers deposited for each scaffold 
configuration. The porosity of the scaffolds was calculated as [15, 20]: 
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where P is the scaffold porosity, d1 the fiber diameter, d2 the fiber spacing and d3 
the layer thickness, within each different structure. The fabricated constructs were 
also physico-chemically characterized in terms of their copolymeric network mesh 
size ξ  (figure 2), which was calculated as explained in previous reports [21, 28]. 

 
Figure 2 – Scheme of the molecular network mesh size, defined as the mean statistical distance between 
two cross-links (●), which in PEOT/PBT copolymers are the hard, semi-crystalline PBT units. Adapted 
with permission from Bezemer et al [26]. 

 
Microcomputed tomography was performed on PEOT/PBT scaffolds to describe 
their structure and to generate a stack of images for the numerical analysis. A 
desktop MicroCT (μCT-40, Scanco Medical, Switzerland) with a resolution of 
20 μm in all the three spatial dimensions (x-ray voltage 45 kVp) was used. The 
number of slices was approximately 200 for all the samples evaluated and 
dependent on their actual height. Each slice was 1024x1024 pixels, covering a length 
of 4 mm. For the evaluation, volumes of interest slightly smaller than the diameter 
of the cylinders were chosen to exclude crushed boundaries. 
 
Porcine Knee Meniscus and Bovine Articular Cartilage Harvest 
 
Porcine knee meniscus and bovine articular cartilage plugs of the same dimension as 
the 3D scaffolds specimens were punched out of the meniscus of a 6-month old 
male pig and of the knee of a 6-month old male calf in a direction perpendicular to 
the articulation, respectively. The specimens obtained were perpendicularly 
sectioned. Once the knee was opened, the menisci and the cartilage plateaus were 
kept hydrated with phosphate-buffered saline (PBS) (Gibco-BRL), while the 
cylindrical plugs were cored from the lateral and medial menisci for the pig, and 
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from the femoral condyle for the calf. The samples were then stored in PBS and 
mechanically tested during the same day. 
 
Dynamic Mechanical Analysis 
 
A DMA instrument (Perkin Elmer 7e, The Netherlands) was used to assess the 
viscoelastic properties along the X, Y, and Z-axis of the 3D scaffolds fabricated as 
depicted in figure 3. As described elsewhere [20], 3D scaffolds were loaded with a 
compressive force varying from 3.5N to 4.5N in a dynamic stress experiment. A 
starting force of 3.5N was applied and then continuously increased to 4.5N with a 
sinusoidal loading ramp of 50mN/min, at a constant frequency of 1Hz. Dynamic 
stiffness and damping factor were measured.  

 
Figure 3 – Scheme of the mechanical testing unit and the scaffold position during X, Y, and Z-direction 
testing. 
 
The scaffolds were also analyzed on equilibrium properties in a creep and recovery 
experiment. Samples were pre-loaded with a force of 100mN for two minutes. 
Then, a force of 3.5N was applied instantaneously and maintained for three 
minutes, after which the loading condition was set back to the recovery value. This 
protocol was cycled for three times to detect possible differences after each loading 
cycle in terms of equilibrium modulus and unrecovered creep strain values. The 
same experiment was repeated with a loading force of 4.5N to assess creep and 
recovery properties of the fabricated scaffolds in the minimum and maximum force 
range applied in the dynamic stress test. 
The samples were analyzed in wet conditions: a synovium-like fluid was prepared 
after a 3% (w/v) solution of N-polyvinilpyrrolidone (PVP) in de-ionized water. This 
was done to achieve a closer physiological environment with respect to articular 
and meniscal cartilage, whose mechanical properties can be appropriately mimicked 
by PEOT/PBT 3D scaffolds [21]. Scaffolds were soaked in PVP-solution over night, 
before loading. The temperature was set to 37 °C for all the experiments. For each 
configuration three different samples were analyzed for each experiment performed 
and for each testing direction (X, Y, and Z). 
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Porcine knee menisci and bovine articular cartilage samples were tested following 
the same protocol explained above, but only along the longitudinal direction of the 
cylindrical samples. Three samples were tested for both the animals and for each 
experimental condition.   
   
Mathematical Model 
 
An exponential function was considered to correlate the scaffold’s porosity, 
architecture and molecular network mesh size with the dynamic stiffness, chosen as 
the most important mechanical parameter for tissue engineering applications. In 
particular, we assumed that the porosity has a predominant influence on the 
mechanical behavior of 3D scaffolds. The contribution of internal architecture and 
intrinsic physicochemical properties of the polymers, like the molecular network 
mesh size ξ, to the mechanical variation has been modeled as a scaffold 
characteristic coefficient α, which modulates the porosity influence. Therefore, the 
relationship between the dynamic stiffness and the porosity of the scaffolds can be 
described as: 
 

Pα
0 eEE' ⋅−⋅=                     (2) 

 
where, E’ and E0 are the dynamic stiffness of the 3DF scaffolds and the solid material 
respectively, P is scaffold porosity, and α is the scaffold characteristic coefficient. 
Single-factor of variance (ANOVA) was employed to assess the statistical significance 
of the exponential function fit to the experimental data (p < 0.05). A Durbin-
Watson statistical analysis was also found to check if the residual did not significantly 
autocorrelate (null hypothesis accepted for 1.59 < d < 2.5). 
  
Numerical Analysis 
 
Finite element (FE) simulations were performed to obtain the apparent stiffness of 
the scaffolds. As described by van Rietbergen et al. [31], the stiffness tensor 
describing the linear relation between stress and strain is obtained by simulating 
three compression and three shear tests. The microCT scans of the PEOT/PBT 
scaffolds were segmented by applying a threshold level to distinguish between voids 
and material. Representative volume elements (RVE) were selected from the 
segmented images and were then converted into voxel-based FE models and 
analyzed. The FEA elements used were 8 node hexahedral elements with cubic 
shape and linear elastic analyses were performed.  
The resulting stiffness tensor depends on the size of the RVE that is modeled because 
of the boundary conditions, the compression and shear tests. As the RVE becomes 
larger, the effect of the boundaries diminishes and the resulting apparent stiffness 
converges. Preferably the RVE is as small as possible to limit computational 
requirements, while retaining the accuracy of the results. Hence, several RVE sizes 
were analyzed to obtain the appropriate RVE size. Specifically, RVE size was varied 
from 62x62 pixels (a fiber-pore unit of the scaffold structure) to 312x312 pixels 
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(whole scaffold structure). The stiffness tensors were rotated to the orthotropic 
coordinate system and the apparent stiffness of the scaffolds was determined.  
 
Results and Discussion 
 
Scaffolds Characterization 
 
PEOT/PBT scaffolds with different pore architecture and geometry were fabricated. 
Pore architecture was dependent on fiber orientation and deposition. A fiber 
deposition angle of 90° created quadrangular pores, while a 45° angle generated 
polygonal pores. Furthermore, the deposition of two successive layers with the same 
filament orientation resulted in doubling the pore height. The pore geometry was 
defined by fiber diameter, spacing (d1 and d2) and layer thickness d3. The pore 
height was mainly defined by the layer thickness, while the pore width was defined 
by the difference between fiber spacing and fiber diameter. The effect of the 
deposition speed V on the fiber diameter and thus on the porosity was also 
considered. 
From SEM analysis the fiber diameter d1 was measured as 268 ± 32 μm for the 
larger Bioplotter tip (ID = 400 μm) and 170 ± 15 μm for the smaller one used (ID 
= 200 μm). The fiber spacing was 605 ± 12 μm, 807 ± 28 μm, and 1001 ± 0.00 
μm. The layer thickness was 148 ± 10 μm, 257 ± 11 μm, and 344 ± 11 μm. The 
variation of all the mentioned parameters introduced above allowed generating a 
set of scaffolds within a porosity range from 29 ± 2% up to 91 ± 1%, as calculated 
from equation (1). The deviations can be related to the resident time the polymer 
stays in the syringe, which caused a decrease of polymer melt viscosity due to slight 
thermal degradation, as determined from flow rate versus time experiments (data 
not shown). Figure 4 shows few examples of the fabricated scaffolds.  

  

   
Figure 4 – SEM micrographs of 300PEGT55PBT45 3D fiber deposited scaffolds. Cross sections of three 
different pore geometries are shown. Fiber diameter d1 = 260 μm. (a) d2 = 600 μm and d3 = 350 μm; 
(b) d2 = 800 μm and d3 = 250 μm; (c) d2 = 1000 μm and d3 = 150 μm. Scale bar: 500 μm. 
 
Microcomputed tomography, SEM, and optical microscopy analysis of scaffold 
sections revealed 100% pore interconnectivity. Figure 5 illustrates the pores 
accessibility of 3DF scaffolds, analysed with microCT.  Pores were completely 
interconnected for a porosity range between 29% and 91%, and for all the scaffolds 
architectures fabricated. With decreasing porosity microCT showed an increase of 
surface area per unit volume (Sv) from 1.94 mm-1 to 11.3 mm-1. Sv didn’t change 
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noticeably within the different scaffold architectures considered. This is related to 
their constant porosity, which was previously demonstrated [20].  
   

   
Figure 5 – Microcomputed tomography (microCT) reconstruction of the pore network in a 3D scaffold. 
(a) and (b) show the pore accessibility reconstruction. (c) represents the microCT reconstruction of the 
3DF scaffold. 
 
Mathematical Model 
 
The dynamic stiffness fit the exponential model introduced in equation (2) with 
respect to scaffold porosity, with a correlation coefficient r2 = 0.99. The 
exponential function decay significantly fitted the experimental data (p < 0.05) and 
the residuals were not found to autocorrelate (1.59 < d < 2.5) for any of the 
architectures fabricated or the copolymers analyzed. Figure 6 shows the correlation 
between the experimental data and the exponential curve for 300PEOT55PBT45. 
The scaffold characteristic coefficient α increased from 0.027 to 0.073 by changing 
the fiber deposition orientation of 300PEOT55PBT45 scaffolds from a 0-90 to a 00-
4545 configuration, as shown in table 1. In a similar way, by changing the 
copolymer composition, with the architecture fixed to the 00-9090 configuration, α 
varied from 0.062 for 300PEOT55PBT45 with a molecular network mesh size of 9 
Å, to 0.415 for 1000PEOT80PBT20 with a molecular network mesh size of 47 Å, as 
shown in table 2. The variation of α for different copolymer compositions can be 
attributed to their different hydrogel-like behavior in a dynamic setting. A higher 
mesh size, resulting in a higher swelling ratio, implies a higher uptake of the 
synovium-like fluid by the polymer, which contributes to the final dynamic stiffness 
of the construct. Not only the bulk stiffness of the copolymer, but also the dynamic 
permeation of the fluid through the scaffold has its influence on the eventual elastic 
response. From the coefficient computed for the different 300PEOT55PBT45 
architectures and for the different copolymers with a 00-9090 configuration, it is 
possible to derive the α parameters for the other compositions with different 
architectures. From a theoretical point of view, the stiffness of a three-dimensional 
elastic open-cell foam scales with the square of the apparent density, as formulated 
by Gibson et al. [32], and experimentally assessed by Woesz et al [33]. Being the 
apparent density directly proportional to the porosity of a 3D construct, the same 
scale law is expected. However, when a power law regression was used a 
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Table 1 – Characterization of the scaffold intrinsic coefficient α (range 0.027 – 0.073, E’0=97.16 MPa), 
for different architectures. 
 

 
Table 2 – Characterization of the calculated intrinsic polymeric network and the correspondent values of 
the scaffold intrinsic coefficient α (range 0.028 – 0.062), for the copolymer compositions analyzed. The 
symbols refer to the different PEOT/PBT compositions analyzed and depicted in figure 9. ξ standard 
deviations were always smaller than 1% and not included in the table. 
 
lower correlation coefficient was found with respect of the exponential fit above 
introduced. This might be due to the different structure of the scaffold examined 
here, which is comprised of a highly organized interpenetrating fiber network and, 
therefore, not similar to the random structure typical of foams. The dynamic nature 
of the stiffness calculated with DMA might also contribute to the exponential decay 
with increasing porosity, although to our knowledge no other study has validated 
this behavior.  
An example of how this model can be used is depicted in figure 7 for different 
scaffold architectures and in figure 8 for different copolymers. We measured bovine 
articular cartilage with DMA as 9.64 ± 1.81 MPa and pig knee meniscal cartilage as 
1.93 ± 0.387 MPa. If mimicking the dynamic stiffness of articular or meniscal 
cartilage is considered as a goal in tissue engineering, a specific combination of 
scaffold porosity, scaffold architecture, and a specific copolymer composition can be 
obtained from the model for an optimal match of the original tissue biomechanics. 
Such a mechanical modulation of PEOT/PBT 3DF scaffolds may also cover a wider 
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range of tissues, so that different applications for softer tissues like vessels, liver, skin 
or tendons and ligaments can be envisaged as well. 
   

 
Figure 6 – Fit of the experimental dynamic stiffness with an exponential decay curve. R2 = 0,99; (p < 
0.05). 
 
Extending the models prospective in three dimensions, a relationship between 
dynamic stiffness, porosity and polymeric mesh size can be obtained by feeding the 
data into a three-dimensional Gaussian fit regression: 
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                         (3) 

 

with a correlation coefficient r2 = 0.96, as shown in figure 9. The coefficients are 
related to polymeric intrinsic parameters, such as the elastically effective network 
chain concentration ν e, the number average molecular weight Mn and the cross-link 
molecular weight Mc.  
 
Numerical Analysis 
 
A numerical Analysis was performed with a finite element program to validate the 
model obtained from the experimental data. The material parameters given to the 
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Figure 7 – Mathematical model of the porosity effect on dynamic stiffness. 300PEOT55PBT45 scaffolds 
with different architectures in terms of angle deposition (0-45 and 0-90) and stacked layers (00-4545 and 
00-9090) are presented in comparison with articular bovine cartilage and with porcine knee meniscus 
dynamic stiffness; n=3, (p < 0.05). 
 

 
Figure 8 – Mathematical model of the porosity effect on dynamic stiffness. Scaffolds from the copolymers 
with increasing molecular network mesh size ξ , are compared with articular bovine cartilage and with 
pig knee meniscus dynamic stiffness. The same architecture (00-9090) was used for all of the copolymers 
used; n=3, (p < 0.05). 
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Figure 9 – Mathematical model of the porosity and mesh size effects on dynamic stiffness for 00-9090 
scaffold architecture: solid (0% porosity) stiffness values have been excluded to simplify the curve 
(symbols refer to the experimental data for the PEOT/PBT compositions analyzed and shown in table 2); 
n=3, (p <0.05). 
 
FEA software as input are the bulk modulus, measured by DMA of the non porous 
solid compression molded scaffolds, and the Poisson’s ratio, measured by an optical 
and mechanical determination, as previously described [20]. By varying these 
parameters any composition can be assumed to be present in the model. Therefore, 
300PEOT55PBT45 was mainly analyzed in a range of porosity restricted to values 
from 40% to 80%, as representing a set of typical porous constructs used for tissue 
engineering applications. 
Figures 10 and 11 present a comparison between the experimental and the numerical 
values for the various geometrical and architectural scaffold features analyzed. With 
decreasing porosity in the range considered, the experimental dynamic stiffness 
ranged from 8.66 MPa ± 0.81 MPa to 0.315 MPa ± 0.059 MPa, while the 
numerical computed values of the apparent stiffness decreased from 9.00 MPa to 
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1.01 MPa (figure 10). Analogously, for scaffolds with the same porosity but different 
architecture the experimental dynamic stiffness changed from 13.49 MPa ± 2.41 
MPa for the 0-90 configuration to 0.46 MPa ± 0.36 MPa for the 00-4545 
configuration. The apparent stiffness values converged in the numerical analysis, 

 

 
Figure 10 – Comparison between numerical analysis and experimental data for dynamic stiffness values of 
00-9090 architecture scaffolds with increasing porosities. 
 
decreasing from 13.47 MPa to 0.675 MPa, respectively (figure 11). A better 
convergence to the experimental data was found by increasing the number of slices 
stacked to create the model and the RVE size, which resulted in an increase of the 
number of finite elements generated in the mesh. More precisely, for the best 
convergence obtained the number of elements varied from 1,856,732 for the 
highest to 670,090 for the lowest porosity. Similarly, by varying the fiber 
architecture the optimal number of elements changed from 3,286,921 for a 0-90 
configuration to 324,131 for a 0-45 deposition. The deviation was less than 15% for 
almost all the computed 3D scaffolds, as compared to the experimental data. This 
deviation consistently increased, but only did so for porosities higher than 80%. 
Since the FEM numerical program was designed for linear elastic materials, such an 
increase in the relative deviation with increasing porosity might be explained by the 
correspondent increase of the viscous or plastic response of PEOT/PBT scaffolds [20, 
21]. 
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Figure 11 – Comparison between numerical analysis and experimental data for dynamic stiffness values of 
scaffolds with different architecture and similar porosities. 
 

 
Figure 12 – Numerical dynamic stiffness components along the three axes x, y, and z. A general trend 
obtained by fitting the numerical values in the exponential model suggested quasi-isotropy of the 
scaffolds. 0% porosity (solid) values are obtained experimentally with DMA. Experimental data for x and 
y are also presented to show the consistency between experimental and numerical data in the three 
dimensions. Experimental values (�) are slightly shifted to the right for clarity; n=3.  
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Figure 12 and 13 introduce the values of the dynamic stiffness and of the shear 
modulus in the three dimensions, obtained from the whole modulus tensor 
generated by the FEM program. If the numerical results in the x and y directions 
were fit with an exponential function, as experimentally observed for the z direction, 
a quasi-isotropic behavior of the scaffolds was suggested, since the values of the 
scaffold characteristic coefficient α didn’t differ considerably. Such isotropy is more 
and more evident with increasing porosity. This was unexpected, because the fiber 
architecture in the constructs was not homogeneous in all the three directions. 
However, experimental dynamic stiffness measured in x and y directions confirmed 
the numerical results. We could, therefore, conclude that the intrinsic anisotropy of 
the fabricated structure diminishes considerably in the porosity range observed. 
Numerical shear modulus also fit in the exponential model previously described. 
Nonetheless, it must be noted that the computed shear modulus values were one 
order of magnitude lower as compared to the dynamic stiffness and no 
experimental data could be obtained to assess this trend.  
 
  

 
Figure 13 – Components of the numerical shear modulus. A general trend obeying the exponential decay 
obtained through the mathematical model is depicted. 
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Conclusions  
 
FEM numerical analysis has been proven to be a reliable tool to precisely 
characterize elastic properties of 3DF scaffolds. Furthermore, by experimental DMA 
it was possible to create a mathematical model that predicts the dynamic stiffness of 
scaffolds varying in porosity, architecture and intrinsic physico-chemical properties, 
such as the molecular network mesh size. 
Eventually, the numerical simulation demonstrates consistency with this 
mathematical model. The dynamic stiffness of articular bovine and meniscal pig 
cartilage has been previously measured [20, 21, 34] and used as a comparison with 
PEOT/PBT porous scaffolds to show a practical use of the model. The mechanical 
properties of many different soft and hard tissues could be mimicked by these 
copolymers, simply by varying the scaffold porosity, the scaffold architecture and/or 
the copolymer composition. The combination of 3DF and of the PEOT/PBT 
polymer family leads to the generation of a set of useful scaffolds that can be fine-
tuned to match the biomechanical properties for different tissue engineering 
applications. 
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Abstract 
 

n important tenet in designing scaffolds for tissue engineering application or 
cell therapy is that they should mimic the biomechanical properties of the 
tissues to be replaced. We hypothesized that this can be achieved by 

controlling scaffold’s pore architecture and volume with 3D fiber deposition (3DF). 
In addition to mimicking mechanical properties one would also like to determine 
the contribution of tissue formation to the mechanical properties of a construct 
during culture and its dependence on scaffold composition and structure. It has been 
shown that depending on the material, matching the scaffolds mechanical properties 
to cartilage can compromise the porosity, which hampers tissue formation. 
Therefore, the aim of this investigation was to assess whether 3DF scaffolds with 
controlled pore volume and at the same time matching mechanical properties, are 
indeed effective to support cartilage tissue formation. Next to this, we studied 
mechanical stability of the constructs in time during culture. Previously it was 
established that co-culturing primary chondrocytes with expanded chondrocytes in 
micromass culture and in vivo enhanced cartilage tissue formation. In this study 
primary and expanded chondrocytes (1:5) were cultured on scaffolds in vitro for 4 
weeks. DNA, Glycosaminoglycans (GAG) and dynamic stiffness of the constructs 
were measured at day 1, 7 and 28 to asses the relative amount of cells, the cartilage 
specific matrix build up and the constructs stability. Cell morphology and matrix 
distribution was analyzed by ESEM. A higher amount of cartilage specific matrix 
(ECM) was formed on lower pore volume scaffolds after 28 days of culture. 
Furthermore, a less protein adhesive composition supported chondrocytes rounded 
morphology, which contributed to cartilagenous differentiation. Interestingly, the 
dynamic stiffness of a hybrid construct remained approximately at the same value 
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after culture, suggesting a comparable kinetics of tissue formation and scaffold 
degradation in low pore volume scaffolds. These results imply that 3DF scaffolds 
with low pore volume and appropriate physico-chemical properties support 
chondrocyte differentiation. Both formed tissue and scaffold were shown to 
contribute to the dynamic stiffness of the constructs during culture. 
 
Keywords: rapid prototyping, pore volume, physico-chemical properties, dynamic stiffness, cartilage. 
 
Introduction 
 
In tissue engineering, scaffolds have been shown to deliver an essential contribution 
to treatments of chondral defects. These constructs have to posses sufficient 
biocompatibility, to be possibly biodegradable, to provide mechanical stability and 
to constitute an appropriate substrate for cells to direct these into the proper lineage 
[1-5]. They can also act as a delivery vehicle for cells and it has been shown that 
some scaffolds deliver instructive signals to enhance chondrogenesis of cells [6-8]. 
Polyethyleneoxide-terephtalate (PEOT)/polybutylene-terephtelate (PBT) copolymers 
are interesting candidates to make scaffolds for tissue engineering as they comply at 
least partially with the above mentioned criteria. These polyether-ester multi-block 
copolymers are thermoplastic elastomers which display satisfactory physical 
properties like elasticity, toughness and strength in combination with easy 
processability [9-12].  
Previous results from our group showed that both architecture and composition of 
the PEOT/PBT scaffolds influence cartilage specific matrix formation of chondrocytes 
[13-16]. On two-dimensional more protein adhesive surfaces like 300/55/45 (a/b/c, 
where a is the molecular weight of PEG units used in the copolymerization, while b 
and c are the PEOT and PBT weight fractions in the final copolymer) a direct 
relationship between a spread chondrocyte morphology and reduced differentiation 
capacity has been shown [15]. In contrast, on less protein adhesive surfaces (e.g. 
1000/70/30) chondrocytes take a spherical morphology, aggregate and enhanced 
differentiation is apparent [16]. When 3D scaffolds are fabricated with conventional 
techniques, like compression moulding and salt leaching, the achievement of 
mechanically matching structures to cartilage infers a low pore volume. The pore 
network of these scaffolds is often tortuous and not completely interconnected, 
resulting in a scarce nutrient perfusion. This can be overcome by a rapid prototyping 
technique such as 3D fiber deposition (3DF), as the resulting scaffolds have a 
completely interconnected pore network and scaffold’s pore architecture and 
volume can be controlled [13, 17].  
Human articular cartilage thickness has been shown to range between 0.5 and 7.1 
mm at various locations in the knee.  For in vitro or in vivo studies in cartilage tissue 
engineering, scaffold thickness ranged typically between 1-5 mm [18]. In general, 
cells from an immature animal model are used to study correlation between limiting 
factors such as nutrient gradients, pore volume and interconnectivity of a scaffold 
and homogenous cartilage tissue formation [19]. However, matching scaffolds’s 
thickness for cartilage repair with chondrocytes from adult model origin might not 
be just a matter of scaling up. Oxygen tension has shown to decrease throughout 
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such clinically relevant size scaffolds [20, 21]. Albeit no difference in oxygen tension 
was shown between 3DF and compression moulded (CM) scaffolds with the same 
porosity (80%), tissue formation with chondrocytes from immature origin showed 
to be enhanced in 3DF scaffolds compared to CM scaffolds. So far, with CM 
techniques manufactured 1000/70/30 scaffolds with matching mechanical properties 
of cartilage hampered porosity and pore interconnectivity to such an extent that 
cartilage tissue formation was obstructed. Therefore, the aim of this study was to 
examine the influence of scaffold’s pore volume and polymeric composition on 
matrix build up by mature articular chondrocytes. Next to this we examined the 
influence of extra cellular matrix build up in chorus with scaffold degradation on 
mechanical stability of scaffolds. For this purposes, 3D scaffolds were fabricated by a 
rapid prototyping technique such as 3DF, since with this method it is possible to 
achieve scaffolds with low pore volume and high pore interconnectivity.  
Recently, we found that co-culturing of primary chondrocytes with expanded 
chondrocytes enhanced cartilage tissue formation [22]. This co-culture model was 
applied to study the influence of cell-biomaterial interaction on cartilagenous tissue 
formation on PEOT/PBT scaffolds. PEOT/PBT 3DF scaffolds with 100% 
interconnectivity were fabricated with different porosity, pore volume, and 
copolymer composition. Specifically, 300/55/45 and 1000/70/30 were considered 
for their difference in physico-chemical properties and the differential influence this 
showed to have on cartilagenous tissue formation.  
 
Materials and Methods 
 
Scaffolds fabrication 
 
Poly(ethylene oxide – terephthalate)/poly(butylene terephtalate) (PEOT/PBT) 
copolymers were obtained from IsoTis S.A. (Bilthoven, The Netherlands). The 
composition used in this study were 300/55/45 and 1000/70/30 where, following 
an aPEOTbPBTc nomenclature, a is the molecular weight in g/mol of the starting 
PEG blocks used in the copolymerization, while b and c are the weight fractions of 
the PEOT and PBT blocks, respectively. 
3DF scaffolds were produced with a Bioplotter device (Envisiontec GmbH, 
Germany), which is basically an XYZ plotting machine as previously described by 
Landers et al [23, 24] and by our group [25, 26]. To make the extrusion of highly 
viscous PEOT/PBT fibers possible few modifications were done. The polymer was 
placed in a stainless steel syringe and heated at T = 200-210 °C through a thermo-
coupled cartridge unit, fixed on the “X”-mobile arm of the apparatus. When the 
polymer reached a molten phase, a nitrogen pressure of 4.5-5 Bars was applied to 
the syringe through a pressurized cap. Rectangular block models were deposited, 
layer by layer, through the extrusion of the polymer on a stage as a fiber in a 
CAD/CAM controlled manner. Scaffolds were then characterized by varying the 
fiber diameter (through the nozzle diameter or the deposition speed), the spacing 
between fibers in the same layer, the layer thickness and the configuration of the 
deposited fibers within the whole architecture. In particular, stainless steel Luer Lock 
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needles with an internal diameter (ID) of 200 μm shortened to a length of 16 mm 
was used to extrude the polymeric filaments in this study. The deposition speed was 
set to 230 mm/min for 300/55/45 and to 280 mm/min for 1000/70/30.  This 
resulted in extruded fibers with a diameter d1 of approximately 170 μm. Three 
scaffold types were fabricated based on previous studies on the mechanical 
properties of PEOT/PBT 3DF scaffolds: 300/55/45 and 1000/70/30 (porosity = 
74%) with similar, but not matching (NM) dynamic stiffness (E’ = 1 MPa), as 
compared to articular bovine cartilage, and 1000/70/30 (porosity = 56%) 
mechanically matching (M) articular cartilage (E’ = 10 MPa).  
The rationale behind the scaffolds’ design was first to compare 3D scaffolds with 
different physico-chemical properties, but identical structure, resulting in 
approximately similar dynamic stiffness. This aimed at assessing the net contribution 
of the polymers’ physico-chemical properties on cartilage formation in a 3D scaffold 
model. At the same time the influence of high pore volume and low stiffness on 
cartilaginous tissue build up was studied. Next, a 3DF scaffold with low pore 
volume, resulting in matching the articular cartilage stiffness, was fabricated with 
1000/70/30 for its potential capacity to support cell round morphology. This also 
allowed to compare the influence of low or high pore volume, that is matching or 
non-matching dynamic stiffness, on extra cellular matrix formation and scaffold 
degradation, and thus on the construct stability. For NM 300/55/45 and 
1000/70/30 scaffolds the fiber spacing d2 was set to 600 μm, the layer thickness d3 
was set to 150 μm, and the layer configuration was changed by 90° every two 
deposited layers (00-9090 configuration). For M 1000/70/30 scaffolds the fiber 
spacing d2 was fixed to 370 μm, the layer thickness was fixed to 140 μm, while the 
layer configuration was changed by 90° every single deposited layer (0-90 
configuration). 
 
Scaffolds Characterization 
 
Cylindrical samples of 4 mm in diameter by 4 mm in height were cored out in the 
“Z-direction” from the rectangular 3D fabricated blocks. Scaffolds geometry and 
architecture was characterized by environmental scanning electron microscopy 
(ESEM) analysis with a Philips XL 30 ESEM-FEG. The porosity of 3DF scaffolds was 
calculated as [23, 26]: 
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                                                                        (1) 

 
where P is the scaffold porosity, d1 the fiber diameter, d2 the fiber spacing and d3 
the layer thickness, within each different structure. 
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Cell Isolation and Culture 
 
Primary chondrocytes are referred to when chondrocytes were applied immediately 
after isolation. For chondrocytes isolation, full thickness articular cartilage was 
dissected from the patellar femoral groove of adult bovine.  Dissected cartilage was 
incubated  for 20-22 hrs in  collagenase type II solution containing 0.15% 
collagenase (Worthington), Dulbecco’s modified Eagle’s medium (Gibco) 
supplemented with penicillin (100 U/ml) and streptomycin (100 μg/ml). Suspension 
was filtered through a 100 μm mesh nylon filter (cell strainer Nucleon) and cells 
were washed 2 times with PBS supplemented with penicillin (100U/ml) and 
streptomycin (100μg/ml). For expansion chondrocytes were plated at a density of 
3.5*104 cells/cm2 and cultured in proliferation medium  (PM) containing DMEM  
supplemented with 10% fetal bovine serum, 1x non-essential amino acids (Sigma-
Aldrich), 10 mM HEPES buffer (Biowhitaker), 0.2 mM Ascorbic acid-2-phosphate 
(InVitrogen), 0.4 mM proline (Sigma-Aldrich), 100 U/ml penicillin (InVitrogen) and 
100 μg/ml streptomycin (InVitrogen). Medium was refreshed every 3-5 days and 
cells were cultured in an incubator at 37 °C and 5% CO2. After 2-3 passages (9-12 
population doublings), expanded cells were mixed with primary chondrocytes for 
seeding onto a porous scaffold. 
 
Cell seeding and culturing on 3DF scaffolds 
 
Cylindrical scaffolds were sterilized in isopropanol for 4 hours, rinsed in PBS 
extensively, incubated overnight in PM and blotted dry prior to seeding. Primary 
and expanded chondrocytes were mixed at a 20/80 ratio, centrifuged at 300g for 5 
min and re-suspended in 54 μl of PM containing 300 μg/ml fibronectin.  Scaffolds 
were seeded with 54 μl of cell suspension containing 3*106 cells for 1 hr, after which 
medium was carefully added. Constructs were cultured statically in PM for 4 weeks 
in an incubator at 37 °C and 5% CO2. 
 
Biochemical Analysis 
 
Constructs (n=3) for quantitative analysis of sulphated glycosaminoglycans (GAGs) 
and cell number were washed with PBS and frozen overnight at -80 °C. 
Subsequently they were digested with 1 mg/ml proteinase K (Sigma-Aldrich) in 
Tris/EDTA buffer (pH 7.6) containing 18.5 μg/ml iodoacetamide and 1 μg/ml 
pepstatin A (Sigma-Aldrich) for >16 hrs at 56 °C.  GAG content was 
spectrophotometrically determined with 9-dimethylmethylene blue chloride 
(DMMB) (Sigma-Aldrich) staining in PBE buffer (14.2 g/l Na2HPO4 and 3.72 g/l 
Na2EDTA, pH 6.5) with a micro plate reader (Bio-TEK instruments) at an 
absorbance of 520 nm. Cell number was determined via quantification of total DNA 
with CyQuant DNA kit according to the manufacturer’s description (Molecular 
probes) and fluorescent plate reader (Perkin-Elmer). Quantitative total GAG and 
total DNA were normalized for differences in wet weight of the scaffolds. 
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Scanning Electron microscopy (SEM) Analysis 
 
Tissue constructs were also analyzed by SEM. Samples were fixed overnight in 0.14 
M cacodylate buffer (pH = 7.2 – 7.4) containing 0.25% glutaraldehyde (Merck). 
Scaffolds were subsequently dehydrated in sequential ethanol series and critical 
point dried from liquid carbon dioxide using a Balzers CPD 030 machine. Specimens 
were then gold sputtered (Cressington) and studied under the SEM. 
 
Mechanical Characterization 
 
A dynamic mechanical analysis (DMA) instrument (Perkin Elmer 7e) was used to 
measure the dynamic stiffness of the 3DF scaffolds before and after culturing (n=6). 
Cylindrical fixtures were chosen to test the specimens and evaluate their behavior as 
a whole structure along their compression axis, in the “Z-direction”. 
Scaffolds were loaded with a dynamic force varying from 100 mN to 150 mN in a 
dynamic stress experiment. More specifically, a starting force of 100 mN was applied 
and then continuously increased to 150 mN with a sinusoidal loading ramp of 5 
mN/min, at a constant frequency of 1Hz. The dynamic stiffness was calculated by 
the instrument software (Pyris). The tests were conducted under wet conditions: a 
synovium-like fluid was prepared as a 3% (w/v) solution of poly(vinyl pyrrolidone) 
(PVP) in de-ionized water [26]. This was done to simulate the physiological 
environment of articular cartilage. Scaffolds were soaked in PVP-solution, before 
loading. The temperature was 37 °C during all of the experiments. 
 
Statistical Analysis 
 
Statistical Analysis was performed using a two-tailed Student’s t-test with two 
sample equal variance, where the confidence level was set to 0.05 for statistical 
significance, unless otherwise specified. Values in this study are reported as mean 
and standard deviation.  
 
Results 
 
Scaffolds Characterization 
 
SEM analysis revealed a fiber diameter d1 of 170 ± 15 μm, a fiber spacing d2 of 605 
± 12 μm for the NM scaffolds and of 377 ± 3 μm for the M scaffold, and a layer 
thickness d3 of 148 ± 10 μm for the NM scaffolds and of 140± 7 μm for the M 
scaffold. This corresponded to rectangular pores of 435 ± 2 μm in the X-Y plane by 
148 ± 10 μm in the Z plane for the NM scaffolds, and of 202 ± 7 μm in the X-Y 
plane by 140 ± 7 μm in the Z plane for the M scaffold (Figure 1). The porosity of 
the NM scaffolds was 74 ± 2%, while the porosity of the M scaffold was 56 ± 4%. 
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Tissue Formation 
 
Seeding efficiency results at day 1 showed that on NM 300/55/45 (74%) and M 
1000/70/30 (56%) the amount of DNA was significantly 25% higher compared to 
 

  
Figure 1 – SEM micrographs of scaffolds architecture in terms of pore volume for (a) 300/55/45 and 
1000/70/30 NM with a porosity of 74% and a starting stiffness of 1 Mpa, and for (b) 1000/70/30 M 
with a porosity of 56% and a starting stiffness of 10 MPa. 

 
NM 1000/70/30 (74%) (Figure 2A). ESEM evaluation showed that at day 1, 
chondrocytes regained or maintained a spherical morphology after fibronectin 
mediated aggregation seeding on all scaffolds (figure 2B). Subsequently, seeded cells 
were distributed more homogeneously in these two types of scaffolds, than in the 
NM 1000/70/30. Interestingly, after 4 weeks of culture tissue formed contained 
significantly 35% more GAG on M 1000/70/30 (56%) compared to NM 
300/55/45 (74%) and NM 1000/70/30 (74%) (Figure 3). The amount of DNA in 
the constructs was significantly lower only on NM 1000/70/30 (74%) compared to 
NM 300/55/45 (74%) and M 1000/70/30 (74%). Consequently, GAG/DNA was 
highest in tissue formed on M 1000/70/30 (56%). At this time point, while on 
300/55/45 cells and tissue appeared as stretched structures which align with the 
scaffold surface and form long fibers, in 1000/70/30 (NM and M) cells still appeared 
to be spherical and tissue formed is condensed without any extrusions (Figures 4g, 
4h, 4i). Additionally, it seems that ECM formed is filling the pores to a higher degree 
in the M 1000/70/30 (56%) scaffold as compared to NM 300/55/45 (74%) (Figure 
5). This together with the quantitive GAG data indicates more cartilaginous tissue 
formation in M 1000/70/30 (56%) scaffolds. Table 1 summarizes DNA, GAG, and 
DNA/GAG measured in the constructs here considered.  
  
Cartilage Construct Mechanical properties 
 
The dynamic stiffness of the constructs and of empty scaffolds soaked and incubated 
in medium was measured at different time points to examine the contribution of 
tissue formation and of scaffold degradation during culture. The dynamic stiffness of 
NM 300/55/45 tissue constructs increased from 1.01 ± 0.13 MPa prior to culture, to 
1.41 ± 0.23 MPa at day 1, and to 1.68 ± 0.09 MPa at day 28 (Figure 6). No   
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Figure 2 – Seeding efficiency (a) and ESEM pictures (b) of 3DF PEGT/PBT scaffolds seeded with 
chondrocytes (day 1). (a) Quantative DNA assay results representing the relative amount of cells after 1 
day of static seeding. Cells seeded are 20/80 primary/expanded chondrocytes. Scaffold composition is 
described as Mw PEG/ ratio PEOT/PBT (porosity %). * = significantly different from 300/55/45 (74%), 
+ = significantly different from 1000/70/30 (74%). (b) ESEM micrographs of the 3DF constructs showing 
a maintained or recovered rounded morphology in all the scaffolds due to fibronectin aggregation. Scale 
bar: 100 μm 
 
significant change in the stiffness was measured for NM 300/55/45 empty scaffolds 
left in culture media at 37 °C during the whole culture period. Similarly, the 
dynamic stiffness of NM 1000/70/30 cartilage constructs increased from 1.06 ± 0.13 
MPa before culturing, to 1.4 ± 0.2 MPa at day 1, and to 2.75 ± 0.2 MPa at day 28. 
A slight decrease in stiffness of NM 1000/70/30 empty scaffolds was measured as 
0.92 ± 0.18 MPa after 28 days. Interestingly, the dynamic stiffness of M 
1000/70/30 cartilage constructs increased from 10.18 ± 1.04 MPa prior to culture, 
to 13.40 ± 1.3 MPa at day 1, and to 13.51 ± 2.56 MPa at day 28. A consistent 
decrease in the stiffness of M 1000/70/30 empty scaffolds was also measured as 7.75 
± 2.15 MPa after 28 days. Since the dynamic stiffness of this construct remained 
constant during culture, it can be inferred that a similar speed of tissue formation 
and of scaffold degradation occurs for the matching 1000/70/30 architecture. In line 
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with the previous findings, tissue formed in the M 1000/70/30 scaffold contributed 
more to dynamic stiffness of the construct, compared tissue formed onto NM 
configurations (Figure 7). Specifically, the net tissue formed stiffness increased from 
0.4 ± 0.18 MPa to 0.54 ± 0.06 MPa for NM 300/55/45, from 0.34 ± 0.06 MPa 
to 1.47 ± 0.15 MPa for NM 1000/70/30, and from 3.22 ± 0.29 MPa to 5.06 ± 
1.74 MPa for M 1000/70/30.   
 

 
Figure 3 – Total glycosaminoglycans (GAG) of in vitro cultured PEOT/PBT constructs (4 wks). 
Composition scaffold is described as Mw PEG/ PEOT/PBT ratio (porosity).  Constructs were seeded with 
20% primary chondrocytes and 80% expanded chondrocytes with fibronectin aggregation and cultured 
for 4 weeks. * = significantly different from 300/55/45 (74%), + = significantly different from 
1000/70/30 (74%). 
 

 
Table 1 – Total glycosaminoglycans (GAG), total DNA and GAG/DNA of in vitro cultured PEOT/PBT 
constructs (4 wks). 
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Figure 4 – SEM analysis of cell distribution and matrix formation on NM (a, b, d, e) and M (c, f) 
constructs at day 1 (a, b, c) and at day 28 (d, e, f). Cells attach better to 300/55/45 NM (d) but 
dedifferentiate (g), while they are better entrapped and more homogeneously distributed in 1000/70/30 
NM and M (e, f), where they maintain their phenotype (h, i). Scale bar: (a – f) 1 mm; (g, h) 200 μm; (i) 
20 μm. 
 

  
Figure 5 – SEM micrographs show extra cellular matrix (ECM) formation after 28 days both in 300/55/45 
NM (a) and 1000/70/30 NM and M (b), respectively. Scale bar: (a) 100 μm; (b) 10 μm. 
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Figure 6 – Dynamic Stiffness of cartilage constructs (higher bars) and of empty scaffolds (lower bars) at 
day 1, 7, and 28. (α) indicate significant differences of the cartilage constructs with respect to the empty 
scaffolds; (*) point at significant differences with respect to 300/55/45 NM; (#) show significant 
differences as compared to 1000/70/30 NM. 
 

 
Figure 7 – Net stiffness of the Tissue formed on the scaffolds, calculated as the difference between the 
stiffness of the constructs and the stiffness of empty scaffolds maintained in cartilage medium at 
physiological values for the same culture period. (α) indicate significant differences during culture time; 
(*) show significant differences from 300/55/45 NM; (#) point at significant differences from 1000/70/30 
NM. 
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Discussion and Conclusions 
 
Previous work from our group showed that the oxygen tension goes down rapidly 
from 1 to 2 mm of scaffold depth during chondrocyte culture in 3DF scaffolds as 
well as compression molded CM scaffolds (both 80% porosity) [20, 21]. However, 
cell distribution and matrix deposition of articular chondrocytes from immature 
origin was still enhanced in 3DF scaffolds (80% porosity) compared to CM scaffold. 
In the here described study the difference in tissue formation of chondrocytes from 
mature origin in 3DF scaffolds with a porosity of either 74% or 56% was 
examined. If porosity does not hamper homogenous cartilage tissue formation it is 
possible to manufacture 1000/70/30 scaffolds – having favorable surface properties 
– made matching mechanical properties of cartilage. 
Therefore, 3D fiber deposited PEOT/PBT scaffolds with different physico-chemical 
properties, but similar mechanical properties resulted from high pore volume 
architecture were first fabricated to evaluate the influence of the polymer 
composition on tissue formation. Next, 3DF scaffolds with favorable surface 
properties and with matching mechanical properties of cartilage resulted from a low 
pore volume architecture were also fabricated to assess the influence of pore 
volume and architecture on cartilage regeneration. While porosity and pore volume 
decreased, interconnectivity of pores was not impaired (Fig. 1) resulting in increased 
mechanical stability of the M 1000/70/30 scaffold compared to the NM 
1000/70/30. In this study, we showed that at low porosity (56%) in M 1000/70/30 
cartilage tissue formed by mature bovine chondrocytes homogenously distributed 
throughout the scaffold and the amount of GAG is significantly enhanced compared 
to higher porous NM 300/55/45 or NM 1000/70/30 scaffolds. Two factors appear 
to play an important role with increased cartilagenous tissue formation on low 
porosity M 1000/70/30 scaffolds: seeding efficiency and pore interconnectivity. 
Seeding efficiency on more protein adhesive surfaces like 300/55/45 is depending 
on cell attachment, while on less protein adhesive surfaces like 1000/70/30 
chondrocytes have shown to maintain a spherical morphology and do not attach. 
Previously, chondrocytes treated with fibronectin prior to seeding showed to 
aggregate and enhance cartilage tissue formation [27, 28]. In the study here 
described, it was shown that fibronectin cell aggregation increased seeding efficiency 
on M 1000/70/30 with a lower porosity compared to NM 1000/70/30 with a 
higher porosity. From this, we concluded that more aggregates were captured and 
sustained in M 1000/70/30 as a result of the lower porosity of this scaffold. Second, 
pores were fully interconnected for all 3 scaffolds. Tissue formation of chondrocytes 
from an immature model is not hampered at low porosity in clinical relevant size 
scaffolds as previously mentioned [19].  From the results shown here, we conclude 
that low porosity does not hinder cartilage tissue formation by chondrocytes 
originating from a mature model throughout a scaffold. We conclude that the high 
interconnectivity of the pores allows for a decreased porosity thus preventing 
detrimental nutrient or oxygen limitations in the scaffold. Next, we studied the net 
result of tissue formation and scaffold degradation in vitro on dynamic stiffness of 
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1000/70/30 and 300/55/45 (NM) and 1000/70/30 (M). We showed that the 
dynamic stiffness of 300/55/45 scaffolds without cells remained unchanged over 28 
days. In contrast, dynamic stiffness of both NM and M 1000/70/30 showed to 
decrease respectively of 15 and 24% when incubated in medium for 28 days. This is 
in agreement with what has been previously shown by Deschamps et al. [10], where 
degradation of scaffolds with a high water uptake like 1000/70/30 occurred faster 
due to more rapid hydrolysis compared to scaffolds like 300/55/45 that take up less 
water.  
Surprisingly, the dynamic stiffness already increased of 0.4, 0.34, and 3.22 MPa 
when NM300/55/45, NM1000/70/30 and M 1000/70/30 were seeded with cells, 
respectively. Recently it has been shown that the shear modulus of a single 
mammalian cell (the shear modulus can be assumed to correlate with the stiffness by 
a factor varying between 0.5 and 1, depending on the Poisson’s ratio) ranges 
between 20 and 60 Pa [29, 30]. In an ideal situation all the seeded cells are 
distributed homogenously throughout a scaffold. If we consider cells as a biological 
“material”, this would result in a corresponding homogeneous stress distribution on 
loading. Thus, if we consider the Voigt-Reuss model to calculate the modulus of the 
scaffold-cell composite [31, 32], the theoretical contribution of the seeded cells to 
the modulus of the construct would be negligible, considering that cells fill the pores 
of the scaffolds. However, in this case cells were aggregated with fibronectin prior 
seeding. It might be that fibronectin and aggregated cells contributed to the stiffness 
of the construct at an early stage. Welsh and Tirrell showed that the stiffness of 
protein engineered fibronectin varies with its molecular weight from 0.1 MPa to 
0.321 MPa [33]. Furthermore, few researchers showed that when cells are exposed 
to fibronectin or fibronectin coated surfaces their intrinsic stiffness is significantly 
higher [34, 35]. This might explain the contribution of cells to the dynamic stiffness 
of the NM constructs here investigated. However, it does not explain the higher 
contribution of cells in M 1000/70/30 scaffolds with a higher initial dynamic stiffness 
compared to the other scaffolds with a lower initial dynamic stiffness. From 
quantitative data shown in Figure 2 it is clear that the amount of cells in M 
1000/70/30 is not significantly different from the amount of cells in NM 300/55/45. 
However, the increase in dynamic stiffness after seeding is approximately 10-fold 
more for the first construct compared to the latter. One of the major differences 
between these scaffolds besides the stiffness is their porosity. From a pure material 
point of view, if we again consider cells as biological “materials”, we can expect a 
higher contribution to the dynamic stiffness by a given number of cells seeded and 
entrapped into a scaffold with low porosity as compared to a scaffold with high 
porosity [36, 37]. This is due to the power [36] or exponential [17] relationship that 
links the static or dynamic stiffness, respectively, to the porosity of a cellular solid. 
For a scaffold with high porosity, a reduction in porosity results in a small increase 
of the scaffold’s stiffness. For scaffolds with a low porosity, a small decrease may 
cause a significant increase in stiffness. This suggests that the contribution of the cells 
to the mechanical properties in M 1000/70/30 with 56% porosity is much higher 
than in NM 300/55/45 or NM1000/70/30 with 74% porosity. Moreover, since in 
the case of M 1000/70/30 the dynamic stiffness of the cartilagenous construct 
remains substantially constant during time and the stiffness of empty scaffolds 
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decreases in time, a similar speed of tissue formation and scaffold degradation rate 
could be inferred.  
Finally, results showed that the dynamic stiffness of both M and NM 1000/70/30 
constructs significantly increased as compared to NM 300/55/45 constructs. When 
taking into account that both M and NM 1000/70/30 degraded in medium, it is 
clear that scaffolds with this physicochemical composition support cartilaginous 
tissue formation with extra cellular matrix composition contributing substantially 
more to the mechanical properties of a construct. Taken together, these findings 
suggest that by accurately controlling the pore volume and the total porosity of a 
3D scaffold with a completely interconnected pore network, it is possible to 
improve cell aggregated seeding efficiency and cartilage tissue formation. In the 
specific case of 1000/70/30 this was associated to appropriate physicochemical 
properties for sustaining chondrocyte rounded morphology and to a dynamic 
stiffness matching articular cartilage. 3DF scaffolds with low pore volume and low 
porosity made with 1000PEOT70PBT30 could, therefore, be interesting candidate 
to regenerate articular cartilage in long-term applications. 
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Determine the relevance of anatomically 
shaped scaffolds as compared to other 
functional but simpler designs for tissue 
regeneration 

I am among those who think that science has a 
great beauty. A scientist is a child placed before a 
natural phenomena which impress him like a fairy 
tale 
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Chapter 6 
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Tissue Engineering: Designing a Neo-Trachea 
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Abstract 
 

he advantage of using anatomically shaped scaffolds as compared to modeled 
designs was investigated and assessed in terms of cartilage formation in an 
artificial tracheal construct. Scaffolds were rapid prototyped with a technique 

named three dimensional fiber deposition (3DF). Anatomical scaffolds were 
fabricated from a patient-derived computer tomography (CT) dataset, and 
compared to cylindrical and toroidal tubular scaffolds. Lewis rat tracheal 
chondrocytes were seeded on 3DF scaffolds and cultured for 21 days. MTT and 
sulphated glycosaminoglycans (GAG) assays were performed to measure the relative 
number of cells and the extracellular matrix (ECM) formed. After 3 weeks of culture, 
the anatomical scaffolds revealed a significant increase in ECM synthesis and a higher 
degree of differentiation as shown by the GAG/MTT ratio and by SEM analysis. 
Interestingly, a lower scaffold’s pore volume and porosity resulted in more tissue 
formation and a better cell differentiation, as evidenced by GAG and GAG/MTT 
values. Scaffolds were compliable and did not show any signs of luminal obstruction 
in vitro. These results promote anatomical scaffolds as functional matrices for tissue 
regeneration not only to help regain the original shape, but also for their improved 
capacity to support larger tissue formation. 
 
Keywords: Anatomical scaffolds, pore volume, porosity, cartilage, trachea regeneration. 
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Introduction 
 
Employing novel rapid prototyping techniques for tissue-engineer-based scaffold 
fabrication has led to the production of improved and more functional 3D matrices 
[1-4]. Rapid prototyped 3D scaffolds posses a completely interconnected and 
periodical pore network, which can be varied in dimension and shape layer by layer 
with a controlled CAD/CAM approach. They can be comprised of different 
materials, typically different polymers [5-7] or composites of polymers and ceramics 
[8-10], they can combine gradients of porosities [11, 12], and they can be shaped and 
designed to optimize their structural and mechanical properties for a specific 
purpose, resulting in multifunctional constructs [13-15]. Their complete 
interconnected porous network provides better nutrient delivery in the deeper parts 
of a tissue engineered construct with consequently better survival rate of cells as 
compared to conventional fabricated scaffolds, e.g. scaffolds from porogen based 
techniques [16, 17].  
Several studies focused on the development of different rapid prototyping 
techniques [2, 18-20] and on scaffolds optimization [14, 21, 22]. Little is known on 
the effect of the scaffold shape design on tissue regeneration. From a clinical point 
of view, an appealing solution to engineer a specific tissue would consist in seeding 
cells on an anatomically shaped scaffold that can be rapid prototyped from a 
computerized tomography (CT) or from a magnetic resonance imaging (MRI) 
dataset of a patient [13]. Anatomical scaffolds have been so far considered only for 
the advantage to regain the same shape of the regenerated tissue. However, no 
study has demonstrated a possible benefit of an anatomical scaffold for tissue 
development as compared to other designs. It is possible that due to the better 
structural control over the architecture in simplified – still functional - modeled 
shapes, a better tissue development would be expected than in complex shapes 
derived from the anatomical design. In this case possible structural imperfections can 
result in the fabricated scaffolds because of resolution limitations. 
Therefore the aim of this study was to assess whether the design of the scaffold 
(anatomical vs. geometrical) influences the dynamics of tissue formation in the 
constructs. For this purpose a rather complicated tissue structure such as a tracheal 
segment was considered and the regeneration of its cartilaginous part was studied. 
The trachea is a tubular conduit which can be divided in ring subunits comprised of 
hyaline cartilage covered by a layer of epithelial cells and mucosa in the inner side, 
and a layer of muscle cells in the outer side. Three different designs were considered: 
a cylindrical tube, a toroidal ring tube, and an anatomical tube fabricated from the 
acquisition of a CT scan dataset of a human trachea. Furthermore, two different 
scaffold porosities were considered to evaluate the optimal structure in terms of 
construct compliability and tissue formation. Rat chondrocytes were chosen as the 
cellular matrix and cultured on these dimensionally adapted scaffolds for 3 weeks. 
The distribution and the amount of cells and extracellular matrix present on the 
scaffolds were considered as determinants for a better scaffold performance. 3DF 
scaffolds were fabricated with block-copolymers of polyethyleneoxide-terephtalate 
(PEOT) and polybutylene-terephtelate (PBT). These polyether-ester multiblock 
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copolymers are thermoplastic elastomers with favorable physical properties like 
elasticity, toughness and strength in combination with easy processability. The 
properties are derived mainly from a phase separated morphology in which soft, 
hydrophilic PEO segments at environmental temperatures are physically cross-linked 
by the presence of hard, semi crystalline PBT segments. These cross-links are 
reversible and can be broken at temperatures above their glass transition- or melting 
point, which provides to the material its good processability. PEOT/PBT copolymers 
have been studied for in vitro and in vivo biocompatibility [23-26] and has found 
commercial clinical applications (PolyActive™, IsoTis Orthopaedics S.A.) as cement 
stoppers and bone fillers in orthopedic surgery [27, 28]. As they are polyether-esters, 
their degradation takes place in aqueous media by hydrolysis and oxidation with a 
rate that varies from very low for high PBT contents to medium and high for larger 
contents of PEOT and longer PEO segments [29-31]. Similarly, by varying the 
PEOT/PBT weight ratio and the length of the PEO segments, a series of copolymers 
that cover a wide range of mechanical properties with different abilities to swell in 
aqueous media can be obtained. 
     
Materials and Methods 
 
Materials Characterization 
 
A Poly(ethylene oxide – terephthalate)/poly(butylene terephtalate) (PEOT/PBT) 
copolymer was obtained from IsoTis S.A. (Bilthoven, The Netherlands). The 
copolymer composition used in this study was specifically 300PEOT55PBT45 where, 
following an aPEOTbPBTc nomenclature, a is the molecular weight in g/mol of the 
starting PEG blocks used in the copolymerization, while b and c are the weight 
ratios of the PEOT and PBT blocks, respectively. 
 
Scaffolds Design 
 
Three different designs were considered to evaluate the effect of the scaffold 
macroscopic topology on tracheal cartilage formation: cylindrical tubes (C), toroidal 
cylindrical tubes (T), and anatomical tracheal segments (A). The scaffolds had a 
lumen of approximately 5.5 mm and a wall thickness of 2.5 mm, resulting in an 
outer diameter of 10.5 mm. The height of the scaffolds was set to 4 cm. Cylindrical 
and toroidal tubes were designed with Rhinoceros® software. The Anatomical 
tracheal segment was obtained from a computerized tomography (CT) human 
dataset. The dataset was processed with Rhinoceros® software, and converted to the 
same format and dimensions as the other models. The models were downscaled to 
have approximately the same dimensions of a Lewis rat tracheal segment. The rat 
trachea and rat chondrocytes were chosen as a model to investigate the effect of the 
scaffold shape design.     
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Scaffolds Fabrication   
 
PEOT/PBT 3DF scaffolds were manufactured with a Bioplotter device (Envisiontec 
GmbH, Germany), essentially an XYZ plotter device as previously described [15, 32]. 
Few modifications were done to extrude highly viscous polymeric fibers. The 
polymers were put in a stainless steel syringe and heated at T = 210 °C through a 
thermo stated cartridge unit, fixed on the “X”-mobile arm of the apparatus. When 
the molten phase was attained, a nitrogen pressure of 4 Bars was applied to the 
syringe through a pressurized cap. The scaffold models were loaded on the 
Bioplotter CAM (PrimCAM, Switzerland) software and deposited layer by layer, 
through the extrusion of the polymer on a stage as a fiber. The deposition speed 
was set to 240 mm/min. Scaffolds were then characterized by the fiber diameter 
(through the nozzle diameter), the spacing between fibers in the same layer, the 
layer thickness and the configuration of the deposited fibers within the whole 
architecture. In this study the used nozzle was a stainless steel Luer Lock needle with 
internal diameter (ID) of 250 μm, shortened to a length of 16.2 mm for all the 
scaffold designs. The fiber spacing and the layer thickness were set at 600 μm and at 
150 μm, respectively. This resulted in scaffolds’ porosity of 75%. Scaffolds with a 
lower porosity of 62% were also fabricated by decreasing the fiber spacing to 400 
μm to evaluate the influence of porosity on cell attachment and tissue formation. A 
0-90 scaffold architecture was chosen, where fibers were deposited with 90° 
orientation steps between successive layers. Table 1 summarizes the designs and the 
fabrication parameters considered. 
 

 
Table 1 – 3DF scaffolds geometrical and structural parameters. 
 
Gas Plasma Treatment 
 
3DF fabricated scaffolds were argon gas plasma treated to improve cell attachment, 
as previously described [33]. Briefly, the samples were put in a cylindrical, radio-
frequency glow-discharge chamber (Harrik Scientific Corp, USA). A vacuum of 0.01 
mbar was applied to the chamber and subsequently flushed 4 times with argon (Ar, 
purity ≥ 99.999%, Hoekloos B.V., The Netherlands). The scaffolds were then 
treated under an Ar plasma (0.1-0.2 mbar) for 30 minutes. 
 
Scaffolds Characterization 
 
Cross sections of the scaffolds were taken as samples and characterized by scanning 
electron microscopy (SEM) analysis with a Philips XL 30 ESEM-FEG. Samples were 
gold sputter (Carringdon) before SEM analysis. The porosity of 3DF scaffolds was 
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both experimentally evaluated by liquid pycnometry and calculated from SEM 
measurements as described elsewhere [15, 32]: 
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2cube

scaffold

d
d
1

d
d
1

4
1

V
V

1P ⋅⋅−=−=
π

                                                                         (1) 

 
where P is the scaffold porosity, d1 the fiber diameter, d2 the fiber spacing and d3 
the layer thickness.  
 
Cell Culture 
 
Chondrocytes were harvested from 8-10 week old Lewis rats (pooled cells from 
n=4), weighing 200-250 g (Harlan, The Netherlands). Rats received human care in 
accordance with the “Guide for the Care and Use of Laboratory Animals” prepared 
by Council, and published by the National Academy Press, revised 1996. Donor 
anaesthesia was induced by isoflurane (Attane; Minrad inc, U.S.A.) inhalation and 
continued by intraperitoneal injection of 50 mg/kg  sodium pentobarbital 
(Nembutal; Abbott Lab, U.S.A.). The animals were then euthanized by exsanguation 
of the great abdominal vessels, and the knee joints  were resected under sterile 
conditions. After scraping of the articulating surfaces, chondrocytes were isolated via 
collagenase digestion. Cells were plated onto polystyrene cell culture flasks (Corning 
Inc., USA) and cultured in a humidified incubator at 37 °C with 5% CO2. Cells were 
trypsinized using trypsin/EDTA solution (0.05%/0.02% PAN Biotech) for 2-5 min at 
37 °C and serially passaged upon reaching confluency. After the third or fourth 
passage the expanded chondrocytes were collected and dynamically seeded onto 
the scaffolds under a rotating flow at a density of 7.5 millions per scaffold. The 
constructs were left in the humidified incubator for 21 days (n=6). The culture 
medium contained HEPES (Invitrogen)-buffered DMEM (Invitrogen) supplemented 
with 10% fetal bovine serum (FBS, Sigma-Aldrich), 0.2 mM ascorbic acid 2-
phosphate (Invitrogen), 0.1 mM non-essential amino acids (Sigma-Aldrich), 0.4 mM 
proline (Sigma-Aldrich), 100 units/ml penicillin (Invitrogen), and 100 μg/ml 
streptomycin (Invitrogen). Constructs were cultured at 37 °C in a humid atmosphere 
with 5% CO2. Medium was refreshed twice a week and subsets of chondrocytes 
were used for further subculturing or cryopreservation upon reaching near 
confluence. 
 
Biochemical Analysis 
 
3-(4,5-dimethylthiazol-2yl)-2,5-dyphenyltetrazolium bromide) (MTT) and 
glycosaminoglycans (GAG) assays (Cyquant Assay, Invitrogen) were performed after 
21 days of culture. MTT assay determines viable cells and is based on the 
mithochondrial conversion of the tetrazolium salt. Briefly, a modified assay was 
employed to quantitatively measure the viable chondrocytes growing on the 
scaffolds [34]. After 21 days of culture, 250 μl of medium and 20 μl of MTT 
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solution were added to each well, incubated at 37 °C for 1 h, and the supernatant 
discarded and replaced by 400 μl isopropanol with 10% formic acid. Samples were 
incubated at 37 °C for an additional 5 min, vortexed for 10 min, and the MTT 
absorbency values of the resulting solution measured using an ELISA reader 
(Dynatech, Billinghurst, UK) at a wavelength of 570 nm. 
GAG amount was determined spectrophotometrically (EL 312e Bio-TEK Instruments) 
after reaction with dimethylmethylene blue dye (DMMB, Sigma-Aldrich) by 
measuring absorbance at 520 nm. Samples were previously digested with papain 
type III (Sigma) solution (25 mg/ml) containing 0.1 M NaH2PO4, 5mM EDTA, 5mM 
cysteine HCL at 56 °C for 15 h. The final amount was calculated using a standard of 
chondroitin sulphate B (Sigma-Aldrich).  
Statistical Analysis was performed using a Student’s t-test (SPSS 8.0 software), where 
the confidence level was set to 0.05 for statistical significance. Values in this study 
are reported as mean and standard deviation. 
 
Tissue Morphology Analysis 
 
Constructs were analyzed by SEM to detect cell distribution and attachment, and 
extra cellular matrix formation. Samples were fixed overnight in 0.14 M cacodylate 
buffer (pH = 7.2 – 7.4) containing 0.25% glutaraldehyde (Merck). Scaffolds were 
subsequently dehydrated in sequential ethanol series, and critical point dried from 
liquid carbon dioxide using a Balzers CPD 030 machine. Samples were then gold 
sputtered prior SEM Analysis. 
 
Results 
 
Scaffolds Characterization 
 
3DF tubular scaffolds with cylindrical, toroidal, and anatomical designs were 
successfully fabricated. Figure 1 presents a comparison between the designed models 
and the fabricated scaffolds. In the particular case of the anatomical scaffolds, 
although the tracheo-bronchial tree with both left and right main bronchus was also 
prototyped, only the tracheal part reaching from the sub-glotic to the pre-carinal 
region was used (comprising 4 cm of length). 
SEM analysis revealed a significant consistency between the theoretical and real 
values of fiber diameter, fiber spacing, and layer thickness for all the scaffolds 
processed. Figure 2 shows the square pore architecture of the surface and of the 
cross section. The fiber diameter d1 was measured as 170 ± 15 μm. The fiber spacing 
d2 was 605 ± 12 μm, while the layer thickness d3 was 148 ± 10 μm. This 
corresponded to a scaffold porosity of 74.7 ± 1.8%. The calculated porosities were 
similar to the values experimentally measured by liquid pycnometry. In this case, the 
porosity was 79.2 ± 0.06% for the cylindrical tubes, 78.49 ± 0.63% for the 
toroidal ones, and 78.79 ± 0.26% for the anatomical scaffolds. When the set fiber  
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Figure 1 – 3DF scaffold designs (a, c, e) and corresponding fabricated prototypes (b, d, f). In the case of 
the anatomical scaffold (e, f) tubular tracheal segments with the same dimensions as the cylindrical (a, b) 
and the toroidal (c, d) scaffolds were considered by removing the bronchial bifurcation. 
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spacing was decreased to 400 μm, the measured value was 398 ± 25 μm, resulting 
in a scaffold porosity of 61.5 ± 1.45%. All the scaffolds produced had almost 
completely interconnected pores and no layer delamination phenomena occurred. 
However, an increasing amount of local imperfections with increasing of scaffold 
complexity was noticed and consisted in the production of thin fibers, which were 
produced at the end of each layer when the nozzle moved back to the starting 
position for the deposition of the successive layer. 
 

  
Figure 2 – SEM micrographs of the surface (a) and of the cross section (b) of 3DF scaffolds. Scale bar: 200 
μm. 
    
Tissue Formation 
 
After 3 weeks of culture in the designed 3DF tracheal scaffolds, the MTT activity and 
the GAG formation were measured. Figure 3 shows the MTT activity for different 
scaffolds geometry (fig. 3A) and for different porosities (Fig. 3B). Interestingly, the 
MTT absorbance level significantly decreased from the cylindrical design to the 
toroidal and to the anatomical ones, suggesting a different cell attachment and cell 
entrapment efficiency of the scaffolds depending from their geometry. MTT activity 
was measured as 5.95 ± 0.5 for the cylindrical tubes, 4.8 ± 0.6 for the toroidal 
tubes, and 1.86 ± 0.28 for the anatomical tubes. When scaffolds with the same 
shape but different porosities were considered, a significantly decrease of the MTT 
index was measured with decreasing porosity. For instance, in the case of the 
toroidal tubes the index decreased from 4.8 ± 0.6 to 3.21 ± 0.12. 
Even more interestingly, GAG formation significantly increased for the anatomical 
scaffold as compared to the cylindrical and the toroidal constructs, as shown in 
figure 4. GAG was 37.72 ± 11.36 μg for the cylindrical tubes, 43.02 ± 7.13 μg for 
the toroidal tubes, and 133.14 ± 27.94 μg for the anatomical tubes (fig. 4A). 
Analogously, with decreasing porosity but same scaffold shape GAG production 
increased. Albeit not significantly, GAG formation increased from 43.02 ± 7.13 μg 
to 53.52 ± 11.88 μg with decreasing the porosity of toroidal tubes. The higher level 
of GAG formation in anatomical scaffolds and in lower porous scaffolds was also 
accompanied to a higher degree of differentiation towards cartilage tissue. In fact, 
higher GAG/MTT was found as presented in figure 5. Specifically, GAG/MTT 
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increase from 6 ± 1.5 μg for cylindrical scaffolds, to 8.3 ± 1.4 μg for toroidal 
scaffolds, to 70.9 ± 15.7 μg for anatomical scaffolds. With decreasing porosity 
GAG/MTT increased from 8.3 ± 1.5 μg to 17.9 ± 4.5 μg for toroidal scaffolds. 
 

  

 

 
Figure 3 – MTT assay after 3 weeks of culture for the different scaffolds design (a) and for the two 
scaffold’s porosity (b) considered. (*) shows significant differences as compared to T 75% and A 75% for 
different designs, and to T 62% for different porosities. (#) illustrates significant differences as compared 
to A 75%. 
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Figure 4 – GAG assay after 3 weeks of culture for the different scaffolds design (a) and for the two 
scaffold’s porosity (b) considered. (*) shows significant differences with respect to C 75% and T 75%. 
 
A qualitative confirmation of cell attachment and extra cellular matrix formation 
was detected by SEM analysis, as shown in figure 6. Chondrocytes attached and 
spread on all of the scaffolds considered and covered the whole surface of the 
tubular constructs. More rounded-shape cells were observed on anatomical scaffolds 
as compared to cyl indrical  and toroidal tubes (Figures 6D and 6E), 
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Figure 5 – GAG/MTT ratio after 3 weeks of culture for the different scaffolds design (a) and for the two 
scaffold’s porosity (b) considered. (*) shows significant differences with respect to A 75% for different 
designs and to T 62% for different porosities. 
 
which might suggest a higher cell differentiation. This was also associated with an 
increasing amount of thin fibers due to the repositioning of the nozzle at the end of 
each deposited layer to start the deposition of the next one, as previously described. 
As shown in figure 6F, extracellular matrix formation was detected. In particular, a 
fibrillar network could be observed. Fibrils bundles varied from 75 nm to 225 nm in 
diameter with an average of 130 ± 46 nm and might be associated to collagen 
production. 
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Figure 6 – SEM micrographs illustrating the homogeneous coverage of 3DF scaffolds both on the inner 
and on the outer surface (a, b, c). Chondrocytes were slightly less spread on anatomical scaffolds (e) than 
on cylindrical or toroidal ones (d). Extra cellular matrix fibril formation was detected (f). (a, c) scale bar: 1 
mm; (b) scale bar: 2 mm; (d, e) scale bar: 10 μm; (f) scale bar: 200 nm. 
 
Discussion 
 
In the present study, we focused on the influence of the scaffold design on the 
reconstruction of the cartilage portion of a tracheal segment. A number of different 
designed 3DF scaffolds have been fabricated and the effect of the design evaluated 
for tracheal cartilage regeneration. Scaffolds showed an optimal resemblance as 
compared to the models. This is rather important for a complicated geometry like a 
three-dimensional anatomical trachea, whose model was obtained from a CT scan 
of a patient. Ultimately, provided the effectiveness of a CT/MRI anatomical model 
being better as compared to other scaffold design solutions, a custom-made and 
patient-dedicated scaffold could be envisioned and used to tissue engineer a specific 
tissue to regenerate [13]. Very interestingly, when tracheal rat chondrocytes were 
cultured to assess the influence of the scaffold design on tissue regeneration, a 
significant higher extracellular matrix production (sulphated GAGs) was measured 
for the anatomical model as compared to the toroidal and to the more simple 
cylindrical tubular structures. This was also accompanied by a significantly smaller 
amount of cells and, consequently, by a better cell differentiation degree as shown 
by the GAG/MTT ratio. It is possible that the increase in complexities and 
irregularities of the tubular structure of the scaffolds (figure 7) resulted in a more 
heterogeneous cell distribution due to shadow areas that are not reached by cells for 
attachment. This possibly implied the creation of local niches in the scaffolds where 
enhanced cell-cell contact would trigger a much higher production of extracellular 
matrix. Furthermore, the presence of thin fibers, formed during the relocation of the 
c a r t r i d g e  a t  t h e  e n d  o f  e a c h  d e p o s i t e d  l a y e r ,  r e s u l t e d  i n  a n 
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Figure 7 – Optical microscopy pictures showing the internal structural geometry of the scaffolds for the (a) 
cylindrical, (b) toroidal, and (c) anatomical designs. Scale bar: 1 mm. 
 

 
Figure 8 – SEM micrograph showing rounded cells on thin fibers derived from resolution limitations 
during the movement of the nozzle at the end of a layer and before the deposition of the successive one. 
Scale bar: 30 μm. 
 
increasing amount of local imperfections with increasing of scaffold complexity. 
These fibers were found to be covered by more rounded cells, embedded in 
extracellular matrix (figure 8), as qualitatively analyzed by SEM. Specifically, a higher 
degree of chondrocyte differentiation in anatomical scaffolds was detected by SEM 
analysis, where a qualitatively higher number of cells appeared to have a rounded 
morphology (figure 6E). Moreover, fibril production was clearly visible and might 
give an indication of collagen fiber bundles formed by the cells. Collagen fibrils and 
fibril bundles of hyaline cartilage have been also analyzed extensively with SEM by 
Hughes et al. [35] in mice with similar structural characteristics and orientation. 
Furthermore, collagen type I and type II were shown to be detected when 
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chondrocytes were seeded and cultured on similar 3DF or compression molded 
scaffolds [11, 36, 37]. 
When scaffolds with a lower pore volume and, therefore, with a lower porosity 
were considered, a smaller amount of cells was measured. This was accompanied by 
a higher, although not significant, amount of GAG formed all over the scaffolds, and 
by a significantly higher GAG/MTT ratio. These findings are in contrast with one of 
the mainstays in scaffolding for tissue engineer applications. Scaffolds are normally 
intended to have a high porosity to improve nutrient flow and cell migration in the 
center of the construct. In “conventional” scaffolds - where conventional refers to 
fabrication techniques where the pores’ volume and shape is randomly generated 
and not controlled - nutrient supply is a major limitation for the success of the 
regenerated tissue due to the tortuosity of the pores, which might end in closed or 
partly closed cavities [17, 36]. This would result in cell death where nutrient flow is 
scarce or missing. In rapid prototyped scaffolds such a problem is partially solved or 
improved, as the periodicity and complete interconnectivity of the pore network 
induces a considerably better perfusion of the constructs [16]. Therefore, in these 
structures high porosity is not anymore a determinant for the success of the tissue 
regeneration as long as all the pores are large enough to be accessible for cells and 
for their nutrients. In this respect, a lower scaffolds pore volume and porosity 
resulted in a higher detailed resolution of the complex geometrical structure. This 
could offer more locations in the scaffolds where cell-cell contact could take place 
and stimulate more ECM production all over the constructs.          
Several other studies have attempted to regenerate tracheal segments [38-46], and 
only few of these seems to have successfully reconstructed a functional part [39, 45, 
46]. Trachea is a hierarchical tissue comprised of cartilage and mucosa. The success 
of a tissue engineered trachea strongly depends on the degree of epithelialization 
[39, 45]. A poor epithelialization might lead to stenosis of the construct and 
subsequent failure of the implant. In this respect, the compliability of the scaffold is 
also important to allow tissue deformation during movement and at the same time 
to prevent stenosis. In this study, epithelial cells were not co-cultured together with 
chondrocytes. Therefore, no conclusion can be drawn on the functionality of the 
engineered cartilage tracheal constructs here treated. Still, from the obtained results 
it seems that not only the scaffold structure, but also the scaffold design plays a role 
on tissue formation. If the scaffold structure can be ultimately related to the pore 
size and volume, its design is connected to the pore arrangement within the 
construct. Furthermore, PEOT/PBT scaffolds were seeded with different connective 
tissues in previously studies and were shown to support cell attachment, 
proliferation, and tissue formation [47, 48]. These results are encouraging for further 
studies, where epithelial and chondrocytes co-culture will be investigated on 
PEOT/PBT 3DF anatomical scaffolds and implanted in vivo to assess the 
functionality of such a complete construct. Moreover, the flexibility in scaffold 
design offered by a rapid prototyping technology like three dimensional fiber 
deposition gives the possibility to fine-tune the mechanical properties of the scaffold 
[7, 49] so that a compliable anatomical construct can be fabricated optimizing the 
risks for stenosis. 
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Conclusions 
 
The influence of 3DF scaffold design on cartilage formation for a tissue engineered 
trachea was investigated. After 3 weeks of culture, anatomically shaped scaffolds 
fabricated from a CT scan showed to support a smaller amount of cells, but more 
GAG production and a higher GAG/MTT ratio. SEM analysis revealed collagen fibril 
formation and full coverage of the scaffolds. From these results it appears that 
complex anatomically shaped scaffolds fabricated from real dataset of patients may 
very well be preferable over simple highly modeled designs in spite of and maybe 
even due to the inevitable higher degree of structural imperfections. Yet, anatomical 
scaffolds showed to support satisfactory tissue development for tracheal cartilage 
reconstruction and should be further considered for other tissue engineering 
applications.  
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Chapter 7 
 

Fiber Diameter and Texture of Electrospun 
PEOT/PBT Scaffolds Influence Human 

Mesenchymal Stem Cell Proliferation and 
Morphology, and the Release of Incorporated 

Compounds 
 

L. Moroni a, *, R. Licht a, J. de Boer a, J.R. de Wijn a, C.A. van Blitterswijk a 
a, * Institute for BioMedical Technology (BMTI), University of Twente, P.O. Box 217, 

7500 AE Enschede, The Netherlands. E-mail: l.moroni@tnw.utwente.nl 
 
Abstract 
 

lectrospinning (ESP) has lately shown a great potential as a novel scaffold 
fabrication technique for tissue engineering. Scaffolds are produced by spinning 
a polymeric solution in fibers through a spinneret connected to a high voltage 

electric field. The fibers are then collected on a support, where the scaffold is 
created. Scaffolds can be of different shapes, depending on the collector geometry, 
and have high porosity and high surface per volume ratio, since the deposited fibers 
vary from the microscale to the nanoscale range. Such fibers are quite effective in 
terms of tissue regeneration, as cells can bridge the scaffold pores and fibers, 
resulting in a fast and homogeneous tissue growth. Furthermore, fibers can display a 
nanoporous ultrastructure due to solvent evaporation. The aim of this study was to 
characterize electrospun scaffolds from poly(ethylene oxide terephthalate)-
poly(butylene terephthalate) (PEOT/PBT) copolymers and to unravel the 
mechanism of pore formation on the fibers. The effect of different fiber diameters 
and of their surface nanotopology on cell seeding, attachment and proliferation was 
studied. Smooth fibers with diameter of 10 μm were found to support an optimal 
cell seeding and attachment within the micrometer range analyzed. Moreover, a 
nanoporous surface significantly enhanced cell proliferation and cells spreading on 
the fibers. The fabrication of ESP scaffolds with incorporated dyes with different 
molecular dimensions is also reported and their release measured. These findings 
contribute to the field of cell-material interaction and lead to the fabrication of 
“smart” scaffolds which can direct cells morphology and proliferation, and 
eventually release biological signals to properly conduct tissue formation.   
 
Keywords: Electrospinning, nanoporosity, cell attachment, cell morphology, drug release. 
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Introduction 
 
Electrospinning is a relatively old technique used in polymer technology to spin 
small diameter fibers [1-3], which has recently found applications in tissue 
engineering as a scaffold fabrication tool [4-7]. It consists of spinning fibers from a 
material solution, typically a polymer, by exploiting a high electric field generated 
between the solution depot and a collector unit. Depending on the thickness of the 
fibrous network deposited on the collector, it is possible to fabricate bi-dimensional 
or three-dimensional structures that can be used to entrap and release drugs, and/or 
to seed and culture cells for a specific tissue regeneration. The particular small 
dimension of the spun fibers, typically in the same range of extra cellular matrix 
(ECM) fibers, makes these structures appealing as they can mimic ECM and possibly 
influence cells to express the proper proteins and signals. Surface micro- and nano 
porosity is also another important characteristic of fibrous scaffolds. This contributes 
to the creation of a better milieu for the cells to express a correct ECM formation [8-
10]. In this respect, electrospinning is an intriguing fabrication method, as the spun 
fibers can either be made porous [4, 11] or non porous [4, 12], depending on the 
chemical properties of the solvent used and on the device settings.     
The chemistry of a scaffold plays a crucial role for drug release and tissue formation 
as well. Depending on the affinity between the biomaterial chemical structure and 
the drug, its release profile changes [13, 14]. Cell attachment and morphology is also 
affected by the chemical structure of the material. For instance, a higher surface 
energy (hydrophilic) material typically results in a higher number of attached cells, 
with a spread out and spindle-like shape; in contrast, a lower surface energy 
(hydrophobic) material reduces cell attachment and leads to a rounded morphology 
[15, 16]. In this respect, copolymers of poly(ethylene oxide terephthalate)-
poly(butylene terephthalate) (PEOT/PBT) are versatile biomaterials, because of their 
controllable surface energies [17]. These polyether-ester multiblock copolymers 
belong to a class of materials known as thermoplastic elastomers which display good 
physical properties like elasticity, strength and toughness, in combination with easy 
processing. These properties result mainly from a phase-separated morphology of 
the copolymers, in which soft, hydrophilic PEO segments at environmental 
temperatures are physically cross-linked by the presence of hard, semi crystalline PBT 
segments. In contrast to chemically cross-linked materials, these cross-links are 
reversible and will be disrupted at temperatures above their glass transition- or 
melting-point which gives the material its good handling properties. By controlling 
the PEOT/PBT ratio, the characteristic dimension (mesh size) of the molecular 
network can be varied to obtain polymers with a broad range of surface energies 
[17, 18], swellability [17, 19], and, consequently, mechanical properties [19, 20]. This 
class of polymers have been extensively investigated for in vitro and in vivo 
biocompatibility [17, 21, 22] and used in clinical applications (PolyActive™, IsoTis 
OrthoBiologics S.A.) as cement stoppers and bone fillers in orthopedic surgery [23, 
24]. Being polyether-esters, degradation occurs in aqueous media, by hydrolysis and 
oxidation, at a rate that varies from very low for high PBT contents to medium and 
high for larger contents of PEOT and longer PEO segments [17, 25]. 
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The aim of this study was to characterize electrospun scaffolds of a PEOT/PBT 
copolymer in order to assess their possible use as constructs for tissue engineering 
and controlled drug release applications. 300PEOT55PBT45 was selected because it 
showed to promote different cells attachment [26-29] and to have a medium 
surface energy (contact angle of 48 ± 1°) [17]. For these purposes scaffolds with 
different fiber diameter and fiber morphology have been made and selected to 
investigate their influence on cell attachment and proliferation. Furthermore, a 
number of dyes have been incorporated in the polymer solution and their release 
studied as a model to show the possible use of these fibrous networks as drug 
delivery systems. 
 
Materials and Methods 
 
Materials Characterization 
 
Poly(ethylene oxide – terephthalate)/poly(butylene terephtalate) (PEOT/PBT) 
copolymers were obtained from IsoTis S.A. (Bilthoven, The Netherlands). Following 
an aPEOTbPBTc classification, the composition used in this study was 
300PEOT55PBT45 where, a is the molecular weight in g/mol of the starting PEG 
blocks used in the copolymerization, while b and c are the weight ratios of the 
PEOT and PBT blocks, respectively.  
300PEOT55PBT45 was dissolved in different solvents to study their effect on the 
fibers in terms of pore formation, size and shape. Different weight/volume (w/v) 
concentrations were also analyzed to investigate the influence on fibers dimension 
and scaffolds porosity. All the solvents were purchased from Sigma-Aldrich. In 
particular, chloroform (CHCl3, boiling point T = 62 °C), dichloromethane (CH2Cl2, 
boiling point T = 40 °C), dichloroethane (CH2Cl.CH2Cl, boiling point T = 82-84 
°C), dioxane (C4H8O2 boiling point T = 101 °C), and two mixtures of chloroform 
with hexafluoroisopropanol (HFIP, boiling point T = 58 °C) (78%/22% v/v and 
90%/10% v/v), and of chloroform with methanol (CH3OH, boiling point T = 65 
°C) (96%/4% v/v and 92%/8% v/v) were used. The concentration of the polymer 
solutions varied from 20% to 14% for chloroform, from 18% to 14% for 
dichloromethane, while the polymer concentration was set to 16% for 
dichloroethane, to 10% for dioxane, and to 18% and 20% for the solvents 
mixtures.  
 
Scaffold fabrication 
 
Scaffold mats were manufactured from the polymers and the polymeric blends with 
an electrospinning (ESP) apparatus. This device consists of a high voltage generator 
(NCE 30000, Heinzinger Electronic Gmbh, Germany) connected to a syringe, in 
which the polymer solution is contained, and to a collector that determines the final 
shape of the scaffold with its geometry. When a high voltage is applied, an electric 
field is formed between the syringe needle (positive pole) and the collector 
(negative pole). The polymer solution is pressed out of the syringe by a pump at 
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variable flow rates depending on the electrostatic field strength. When the intensity 
of the electrostatic field is high enough to surpass the surface tension of the liquid 
drop at the tip of the needle, the drop is pulled out into a jetting filament and 
deposited as a dry fiber on the collector. This is due to the solvent evaporation 
along the pathway between the syringe and the collector. In our experimental set 
up the voltage could be varied up to 30 kV, the needles used had a diameter of 1.2 
mm, 0.8 mm, and 0.5 mm, and the syringe pump had an adjustable flow rate 
between 0.19 ml/min and 1.8 ml/min. The voltage and the width of the air gap 
between needle and collector determine the strength of the electrostatic field. For 
all the experiments the voltage was kept constant at 12 kV, unless indicated 
otherwise. 
 
Scaffold Characterization 
 
Scaffolds architecture was characterized by scanning electron microscopy (SEM) 
analysis with a Philips XL 30 ESEM-FEG. The porosity was calculated as: 
 

V
M

1P ⋅−= ρ                                                                                                        (1) 

 
where P is the scaffold porosity, ρ the density of the polymeric system used, M the 
weight and V the volume of the fabricated scaffolds. The effect of the solvents used, 
of the polymer solution concentration, of the flow rate, and of the electrostatic field 
strength was investigated on pore formation and size and fiber dimension. 
 
Cell culture  
 
Bone marrow aspirates (5-15 ml) were obtained from two donors that had given 
written informed consent. Human mesenchymal stem cells (hMSC) were isolated 
and proliferated as previously described [30]. Briefly, aspirates were plated at a 
density of 5 x 105 nucleated cells per cm2 and cultured in hMSC proliferation 
medium, which consists of minimal essential medium (α-MEM, Life Technologies), 
10% heat-inactivated foetal bovine serum (FBS, Cambrex), 0.2 mM ascorbic acid 
(Asap, Life Technologies), L-glutamine (Life Technologies), 100 U/ml penicillin (Life 
Technologies), 10 μg/ml streptomycin (Life Technologies) and 1 ng/ml basic 
fibroblast growth factor (bFGF, Instruchemie, The Netherlands). Cells were grown at 
37 °C in a humid atmosphere with 5% CO2. Medium was refreshed twice a week 
and cells were used for further subculturing or cryopreservation upon reaching near 
confluence. 
300PEOT55PBT45 electrospun discs with dimensions of 6 mm in diameter by 0.1 
mm in thickness were obtained from fiber mats spun from 16% and 20% w/v 
chloroform solutions, and from 20% chloroform/HFIP mixture solution (90%/10%). 
These solutions gave scaffolds with an average smooth fiber diameter of 1 μm and 4 
μm (16% CHCl3), 10 μm (20% CHCl3/HFIP 90/10 mixture – V = 15 kV), 21 μm 
(20% CHCl3 – air gap width = 10 cm), and 10 μm with nanopores approximately 
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200 nm in size (20% CHCl3 – air gap width = 15 cm). Three dimensional scaffolds 
with fiber diameter of 270 μm fabricated with a rapid prototyping device described 
elsewhere [31] were also seeded as a reference. Cells were seeded at a density of 
5000 cells/scaffold and 25000 cells/scaffold in triplicates.  
Cell counting was performed enzymatically using an Alamar blue assay. Culture 
medium was replaced with medium containing 10% Alamar blue solution 
(Biosource) and cells were incubated at 37 °C for 4h. Fluorescence was measured in 
a 200 μl sample at 590 nm in an ELISA plate reader (Greiner) in duplicates. Cell 
morphology and attachment was investigated with SEM. The samples were fixed 
overnight in 0.14M cacodylate buffer (pH = 7.2 – 7.4) containing 0.25% 
glutaraldehyde (Merck). Then, samples were dehydrated in sequential ethanol series 
and critical point dried from liquid carbon dioxide using a Balzers CPD 030 Critical 
Point Dryer. The constructs were then sputter coated (Cressington) prior to SEM 
analysis. 
A one-way statistic analysis of variance (ANOVA) was used with a significant level p 
of 0.05 to determine differences between cell numbers on the various scaffolds.  
 
Dye Incorporation and Release 
 
To investigate the possibility of incorporating drugs in electrospun PEOT/PBT 
scaffolds, dyes with different molecular weight (Mw) and chemical conformation 
were incorporated in a 18% w/v 300PEOT55PBT45 solution in chloroform. 
Pyrrogalol red (Mw = 400.37 g/mol), methylene blue (Mw = 319.19 g/mol), and 
copper acetate (Mw = 199.93 g/mol) were obtained from Sigma-Aldrich and used 
for this purpose. Furthermore, ESP scaffolds containing methylene blue only with an 
average smooth fiber diameter of 1 μm, 10 μm, and 10 μm with nanoporous fiber 
surface were fabricated from the solution previously described to investigate the 
influence of fiber diameter and surface texture on dye release. The dyes were 
dissolved in the polymer solutions with a concentration of 4.92 mg/ml. After dye 
incorporation, the solutions were spun with the electrospinning device. Square 
scaffolds with a side of 1.8 cm and a thickness of approximately 1 mm were 
immersed in a phosphate buffered saline solution (PBS) at room temperature. The 
release was detected with a spectrophotometer (El 312e, BioTek Instruments) at the 
characteristic absorption wave lengths of the dyes.  
 
Results 
 
Scaffolds Characterization 
 
The effect of the solvents used, of the polymer solution concentration, and of the 
air gap (varying both the electrostatic field strength and the “time of flight” of the 
drying fibers) was investigated on pore formation and size and on fiber dimensions 
at constant voltage applied (V = 12 kV), as summarized in Table 1. 
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Figure 1 – SEM micrographs of a 300PEOT55PBT45 electrospun scaffold (a, scale bar: 100 μm) and 
different fiber pore morphology obtained. (b) dioxane; (c) dichloroethane; (d) chloroform; (e) 
dichloromethane; (f) mixture of chloroform and HFIP. Scale bar: 5 μm. 
 
Effect of Solvents on Porous Fiber Formation 
 
The morphology and dimensions of porous and non porous fibers forming a 
300PEOT55PBT45 ESP scaffold are shown in figure 1. By decreasing the boiling 
point of the solvents used to form the polymer solutions, the pore morphology 
became more irregular (figures 1b, 1c, 1d, and 1e). An effect of the boiling point can 
also be seen on pore size. With increasing solvent boiling point, the pore size 
decreased. For fibers spun from a 16% solution, the pore size varied from 1.23 ± 
0.73 μm for dichloromethane (boiling point T = 40 °C), to 803 ± 178 nm for 
chloroform (boiling point T = 62 °C), and to 346 ± 288 nm for dichloroethane 
(boiling point T = 82-84 °C). If dioxane was used as a solvent, an elongated 
morphology of the pores formed was found with dimensions of 786 ± 297 nm 
along the fiber direction and of 72 ± 16 nm along the perpendicular direction 
(figure 1b). In this case, a 10% polymer solution was used, as increasing the polymer 
concentration would result into a too thick gel that would fail to be spun. The 
polymer solution with dichloroethane and with dioxane would become gels at 
room temperature, for which reason the gels were heated to 50 °C and 60 °C 
respectively to let them liquefy, before and during electrospinning. If HFIP was used 
together with chloroform in a 22%/78% v/v mixture for a 20% polymer solution, 
no pore formation occurred (figure 1f), due most likely to the better solvent 
properties of HFIP for PEOT/PBT copolymers. If methanol was added to 
chloroform, an orientation effect of the deposited fibers was observed for an 
8%/92% mixture, as depicted in figure 2. A lower degree in fiber orientation was 
observed if the methanol volume ratio was reduced to 4% in the solvent mixture. 
These results suggest a relation between pore and fiber formation, and the intrinsic 
solvents properties of the chemicals used to form the PEOT/PBT polymer solutions. 
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Effect of Polymer Concentration and Air Gap on the Fiber Pore Size  
 
Pore formation and dimension were also connected to the polymer solution 
concentration and to the width of the air gap during electrospinning. Apparently, 
pore formation occurred until a lower limit of the air gap width was reached, 
depending on the polymer solution concentration. Pores were created 
 

 
Figure 2 – SEM micrographs of an ESP scaffold with oriented fibers, spun from an 18% PEOT/PBT 
solution in a chloroform/methanol mixture (92%/8%). 
 
on the ESP fibers for solution concentrations higher than 16% at air gap larger than 
20 cm. When the air gap was set to 25 cm, the pore size decreased with increasing 
polymer concentration from 803 ± 178 nm to 455 ± 315 nm for chloroform 
solutions, and from 1.23 ± 0.73 μm to 997 ± 680 nm for dichloromethane 
solutions (Table 1). If the air gap was lower than 20 cm, pores were formed only for 
solutions with a concentration higher than 20%. In this case, the pore size decreased 
from 455 ± 315 nm to 220 ± 50 nm for chloroform solutions, when the air gap 
decreased from 25 cm to 15 cm, as shown in figure 3. 
 
Effect of Polymer Concentration and Flow Rate on Fiber Size 
 
To characterize 300PEOT55PBT45 ESP scaffolds, the influence of the flow rate and 
the polymer concentration on fiber dimensions and scaffold porosity was considered. 
Only dichloromethane and chloroform were used as solvents to assess the link 
between the above mentioned parameters and the fiber size. Fiber diameters varied 
from 155 ± 46 nm to 14.55 ± 2.55 μm for dichloromethane when the flow rate 
increased from 0.27 ml/min to 1.8 ml/min, as shown in figure 4. A range of fiber 
diameters from 55 ± 24 nm to 18.57 ± 1.56 μm was obtained for chloroform  
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Figure 3 – Effect of the air gap width on the pore size in the fibers. (*) Larger gap widths are required for 
the formation of pores on fibers from lower concentration solvents. 

 

 
Figure 4 – Dependence of fiber diameter on flow rate. Dichloromethane is shown here. Analogous trends 
were found when chloroform was used as a solvent. 
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solutions when the flow rate changed from 0.27 ml/min to 0.84 ml/min. In this case, 
a higher flow rate was not considered since jet instability occurred. In a similar way, 
the fiber diameter increased from 560 ± 320 nm to 3.67 ± 0.5 μm for 
dichloromethane and from 204 ± 31 nm to 4.95 ± 0.34 μm for chloroform when 
the solution concentration was increased from 14% to 18% and the flow rate was 
fixed to 0.39 ml/min (figure 5). This corresponded to an increase of scaffold 
porosity from 89 ± 8% to 93 ± 2% for dichloromethane and from 83 ± 5% to 88 
± 2% for chloroform. The interfiber pore size was also measured (Table 1) for 
chloroform polymer solutions and found to increase from 34.1 ± 7.7 μm to 114.8 ± 
46.4 μm with solution concentrations increasing from 14% to 20% w/v.  
 

 
Figure 5 – Influence of polymer concentration on fiber diameter. The flow rate was fixed at 0.39 ml/min. 
 
Beaded Electrospun Scaffolds 
 
The fabricated scaffolds were always comprised of fibers if spun from 
dichloromethane polymer solutions, while a mixture of fibers and spherical beads 
was observed for chloroform solutions with a concentration lower or equal to 16%, 
as shown in figure 6. The lower the concentration, the higher the number of beads 
present in the scaffold. These droplets appeared to be porous, and their porosity 
also depended from the polymer solution concentration and the electric field. When 
the beads were formed, their size varied from 9.31 ± 5.28 μm for a 16% solution 
concentration to 40 ± 20 μm for a 14% solution concentration. At the same time 
the pore size increased from 475 ± 225 nm to 585 ± 390 nm (figure 7). If the 
solution concentration was fixed to 16% and the air gap varied from 25 cm to 15 
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cm, the pore dimensions in the beads decreased from 1475 ± 525 nm to 475 ± 225 
nm.    
 

 
Figure 6 – SEM micrograph of an electrospun PEOT/PBT beaded scaffold from a 16% w/v chloroform 
solution, showing interspersed porous beads and fibers. Scale bar: 100 μm. 

 

 

 
Figure 7 – Influence of polymer concentration on bead formation and pore size on the formed beads 
with a fixed air gap of 15 cm. 
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Cell Culture 
 
To investigate the effect of fiber diameter and of fiber surface topology on cell 
attachment and proliferation, hMSC were seeded and cultured on ESP scaffolds for 
14 days, and their relative number measured with an Alamar blue assay (Figure 8) 
after 3, 7, and 14 days. After 3 days of culture more cells were detected on the 10 
μm fiber scaffolds than on any other fiber diameter, suggesting that this diameter 
appears to be the most eff icient for cell  seeding or attachment. The  

 

 
Figure 8 – Effect of the fiber diameter and surface topography on cell attachement and proliferation. (*) 
indicates significant difference between nanoporous and smooth surface; (#) shows significant difference 
of 10 μm fiber diameter with respect to the other fiber diameters; (o) depicts significant differences 
between 1 μm and 4 μm fiber diameter with respect to 21 μm and 270 μm. Significancy level p < 0.05 
(n=3). Analogous trends were detected with the second donor and with higher cell density. 
 
rate of proliferation can be inferred from the slopes of the Alamar blue activity 
versus time curves. For the smooth fiber scaffolds, the slope was similar for all the 
fiber diameters, suggesting that this parameter does not influence cell proliferation. 
In contrast, the slope of the curve for a nano-porous 10 μm fiber scaffold was higher 
than in the case of a smooth 10 μm fiber scaffold, suggesting that surface topography 
influences proliferation of human mesenchymal stem cells. This might entail a 
specific capacity of the cells to recognize an optimal fiber size for attachment and 
proliferation. Figure 9 shows cell attachment and proliferation on the ESP scaffolds. 
After 3 days, cells were found to aggregate on smooth fiber scaffolds (1 μm, 4 μm, 
10 μm, 21 μm, and 270 μm), whereas they tended to spread on the nano-porous 
fiber scaffolds. Cells attached and grew on the surface and inside the scaffolds. These 
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trends were also measured for the other donor analyzed and a higher Alamar blue 
activity was detected for higher cell seeding density. After 14 days cells covered the 
entire scaffold surface and penetrated inside the fiber network. 
 

  
Figure 9 – SEM micrographs of HMSC seeded and attached to 300PEOT55PBT45 scaffolds at day 3. (a) 
cell aggregates on smooth fibers; (b) cells spreading on nanoporous fibers. Scale bar: 50 μm.  
 
Dye Release 
 
The release of pyrrogalol red and methylene blue incorporated in 
300PEOT55PBT45 electrospun scaffolds is presented in figure 10. A burst release 
profile was observed within the first 24 hours for methylene blue and pyrrogalol 
red. After one month pyrrogalol red and methylene blue cumulative release 
corresponded to 44.5 ± 6.3% and to 29.13 ± 5.6% of the total dyes incorporated 
in the scaffolds, respectively. After a month, scaffolds still released the dyes in small 
amount. Copper acetate was also released from the scaffolds, but due to its 
precipitation in PBS it was not possible to quantitatively detect the amount 
delivered. 
When incorporating methylene blue only in ESP scaffolds with different fiber 
diameters and surface topologies, the rate of dye release changed. With increasing 
fiber diameter from 1 μm to 10 μm, the cumulative release of methylene blue 
decreased from 29.13 ± 5.6% to 21.42 ± 1.9% of the total dye incorporated in one 
month. Interestingly, when nanoporosity was added to the surface of the 10 μm 
wide fibers, an increase of the dye release rate occurred. In this case, the cumulative 
amount released was 25.8 ± 3.6% of the total dye entrapped in the scaffolds. 
 
Discussion 
 
Electrospun Scaffold characterization 
 
The fabricated scaffolds were characterized by a wide range of fiber diameters 
combined or not with pore and/or beads formation, mainly depending on the spin 
flow rate, the polymer solution concentration, and the electric field. The voltage 
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Figure 10 – Cumulative dye release profile from electrospun 300PEOT55PBT45 scaffolds. (a) release of 
methylene blue and pyrrogalol red from 1 μm size fibrous ESP scaffolds; (b) influence of fiber diameter 
and of fiber topography on methylene blue cumulative release. 

 
applied to make the scaffolds was fixed to 12 kV for simplicity, unless otherwise 
specified. The relationship between the applied voltage and the stability of the 
polymer jet and the consequent fiber diameter distribution has already been 
extensively studied by other researchers [2, 32]. In our case, electrospinning already 
occurred at 7 kV, but a more stable jet appeared to be at 12 kV. Increasing the 
voltage resulted in higher electrostatic forces on the apparatus and instability of the 
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jet that would split and splay, as also shown by Deitzel et al [32]. This produced a 
broader range of fiber diameters and beads formation, while the other parameters 
considered in this paper were fixed. Different needle diameters were also used to 
spin the fibers. Surprisingly, an increase of the needle diameter resulted in a decrease 
of the fiber diameter and in a more homogeneous distribution (data not shown). 
The needle diameter can be related to the jet length and, more precisely, to the 
distance from the needle tip where the Taylor cone becomes instable and the 
spinning process begins, as proposed by Rutledge et al [33]. By increasing the needle 
diameter the jet length increases as well, resulting in a thinning of the Taylor cone. 
This would imply a smaller instability area from where the filaments start to be 
formed and, consequently, might be the reason for a decrease in the fiber diameter 
and for a more homogeneous distribution. 
Electrospun fibers showed different morphological characteristics depending on the 
solvent used for the polymer solution. Porous and non porous fibers were 
generated, mainly depending on the chemical affinity between the solvent and the 
polymer. Specifically, only when HFIP was used in the solvent mixtures pore 
formation never occurred. This is due to the high affinity of HFIP with PEOT/PBT, 
among many other polymers. All the other solvents considered in this study formed 
less ideal and more colloidal solutions, where polymer and solvent rich regions are 
evenly distributed. To demonstrate it, the gelling time of 16% w/v polymer 
solutions in the different solvents used was measured and the results are presented 
in Table 2. All the solutions jellified eventually, except when a minimum amount of 
HFIP, corresponding to 10% of the solvent phase, was used. Pore formation 
appears to occur due to fast solvent evaporation and phase separation in polymer 
rich and poor areas, as also described by Bognitzki et al [11] and Rabolt et al [34]. 

  

 
Table 2 – Gelling time of PEOT/PBT solutions at room temperature.   
 
The fast evaporation gives the thickening mass less time to flow and level out the 
concentration differences in the polymer rich and poor phases. To partly 
corroborate this theory, we made 5 μm thick films by spreading a 16% w/v solution 
of 300PEOT55PBT45 in CH2Cl2 with a film applicator on a glass plate. Increasing 
the solvent evaporation speed resulted in an increase of the film surface texture, as 
analyzed by SEM (data not shown).     
A lower boiling point of the solvent resulted in more irregular pore morphology 
and larger pore dimensions, which can also be explained by the fast evaporation 
mechanism. Likewise, the lower dissolving power of the lower boiling point solvents 
will create a tendency to form large phase separated areas in the solution. Matsuda 
et al. [12] also related the boiling point of solvents to the fiber morphology. In their 
case, a decrease of solvent boiling point resulted in less fusion or welding of the 
fibers at the contact points, but no pore formation on the fibers was observed. This 
might be due to the particular solvent mixture used and to the set up of the 
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electrospinning parameters. Yet, the fact that decreasing the boiling point led to a 
decrease of the fusion degree of the fibers can be related to the same physical 
phenomena. When dichloroethane and dioxane were used as solvents, the polymer 
solution had to be continuously stirred and heated to 50 °C or 60 °C, respectively, 
to be electrospun. In fact, thicker colloidal solutions were obtained from these 
solvents (Table 2). Larrondo et al. already reported the successful electrospinning of 
polymer melts [3, 35]. To our knowledge, this is the first time that gel systems were 
effectively electrospun, bridging the gap between polymer solutions and melts. 
When methanol was added to chloroform in an 8%/92% v/v mixture, a high 
degree of orientation of the electrospun fibers on the grid used as a collector was 
observed (see figure 2). Reducing the methanol percentage in the mixture to 4%, 
fibers were still oriented along the main axis of the collecting grid, but the degree of 
orientation decreased. This orientation tendency can be related to the polarity of 
methanol, which under the applied electric field influences the fibers to orient along 
the direction, given by the collector grid. Furthermore, with methanol having a 
relatively low volatility the spun fibers probably reached the collector still in a wet 
phase, giving the polymer time to rearrange its structure not only in a favorite 
direction, but also in a non porous structure.  
Pore formation and size also depended from the polymer solution concentration 
and from the air gap set for spinning. A lower limit for the air gap was found to 
create porous fibers (figure 3). Pore generation can be again connected to phase 
separation and solvent evaporation speed. The air gap between the syringe and the 
collector determines the travel distance between the syringe and the collector and a 
higher polymer concentration was required in the solution to generate porous fibers. 
When solvent evaporation was complete before the fiber was deposited, phase 
separation occurred during the time that the forming fibers were “in flight”. For 
smaller concentrations the fibers were still wet at the collector where a slower 
solvent evaporation took place so that the polymeric structure could rearrange into 
a continuous and non porous fiber. If the air gap was increased and, thus, the 
electrostatic field strength decreased the fibers had to travel at lower speed 
(electrostatic field strength) over a longer distance, which inferred a longer time for 
fast evaporation and phase separation. This resulted in pore formation, also for 
lower polymer concentrations, and in an increase in pore size.   
The influence of the flow rate and of the polymer solution concentration was 
investigated to characterize the electrospun PEOT/PBT fibers. With increasing the 
flow rate and the polymer concentration an increase of the fiber dimension was 
observed (figures 4 and 5). This is expected, since a higher flow rate inferred a 
higher volume of spun solution, while a higher polymer concentration entailed a 
higher polymer weight percentage per volume of the solvent, resulting, therefore, in 
larger fibers. An analogous trend was also found by Deitzel et al [32], and Kidoaki 
et al [6] for electrospun polymer solutions. The increase of the fiber diameter also 
resulted in a decrease of the density of the scaffolds, due to a lower packing degree 
of the thicker fibers.   
When chloroform solutions were electrospun, fibers were associated with beads for 
polymer concentrations lower than 16%. Beads were porous and increased in size 
with decreasing the solution concentration (figure 7). From SEM analysis it can be 
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also noted that an increase in beads number appeared to happen with decreasing 
the solution concentration. Beads formation was also observed by other researchers 
[7, 32, 36], and generally attributed to the jet instability due to a high field strength 
applied. The instability of the electrospun solution might have also occurred in our 
case. Although the electric field was kept constant, a decrease in the polymer 
concentration probably contributes to form jet instability, due to the lower viscosity 
of the solutions. Indeed spray drying where micro particles are formed exclusively is 
done at concentration lower than 6% [37]. The beads appeared to be porous. Both 
beads and pore size increased with decreasing polymer concentration and/or 
increasing the electric field. Similar explanations in terms of solvent evaporation 
rates can be given as in the case of porous fibers.  
 
Cell Culture and drug release applications 
 
From the multitude of possibilities to vary electrospun fiber diameter and surface 
topology as discussed here, we selected five type of scaffolds with increasing fiber 
average diameter with and without nanopores and cultured them with hMSC to 
assess the influence of these two parameters on cell seeding, attachment and 
proliferation. Cells were also cultured on rapid prototyped scaffolds with fiber 
diameters of one to two orders of magnitude larger, as a comparison. The results 
suggest that a cell can significantly sense not only an optimal fiber dimension, but 
also the presence of nanotopography on the fiber surface. This might be due to a 
higher cell seeding efficiency already after 3 days on 10 μm fiber scaffolds. Although 
in the case of ESP scaffolds with 1 μm and 4 μm fibers beads were present, SEM 
analysis showed that the ratio between fibers and beads appeared to be relatively 
high, resulting in a negligible effect of the presence of beads on cell behavior. 
Furthermore, a different cell behavior and morphology was found on fibers with or 
without nanopores where cells spread or aggregated maintaining a rounded shape, 
respectively. This might be explained by considering the radius of curvature of the 
single fibers. In relation to the cell dimensions of approximately 20 μm, smaller 
diameters would offer higher curvatures. Subsequently, cells would tend to 
aggregate, keep a rounded shape and bridge more fibers together instead of 
spreading over the fiber surface. When the fiber diameter comes closer to the cell 
dimensions, the limiting effect of the fiber curvature would become less 
predominant, resulting in a significantly higher amount of cells on the scaffolds (p < 
0.05). Apparently, this phenomenon is optimal for a fiber diameter of 
approximately 10 μm, since a further increase of the fiber diameter resulted in a 
decrease of cells attachment and proliferation. While this can be expected for fibers 
of 270 μm that are organized into macroporous structures with a low efficiency to 
“sieve” and entrap cells, it is surprising for ESP fibers of 21 μm. It might be possible 
that where this fiber diameter is quite close to the cell dimensions, cell motility is 
enhanced [38, 39], resulting in a lower proliferation rate. If nanoporous fibers are 
considered, a significantly higher cell activity was found with respect to non porous 
fibers with the same diameter. This was also coupled with lost of cell aggregation 
and with cell spreading. Nanopores, therefore, interacted with cells in such a way to 
stimulate a different biological response. A similar behavior was also found by other 
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researchers for different topology features on material substrates [40-42]. This 
difference between smooth and nano textured fibrous scaffolds can be very useful 
when influencing cell aggregation or spreading is desirable. For example in cartilage 
tissue engineering it is know that rounded and aggregated chondrocytes form more 
ECM with a higher content of collagen type II [29, 43, 44], while in bone tissue 
engineering spread osteoblasts perform better in terms of ECM formation [10, 45]. 
After 14 days almost all the available surface of the scaffolds was covered and cells 
penetrated also inside the construct. 
ESP scaffolds were also tested for controlled drug release applications. Dyes with 
different molecular weight and chemical conformation were incorporated in 
300PEOT55PBT45 polymer solutions, electrospun and released from the fabricated 
scaffolds. Dyes were considered as a model system for the release of small molecular 
weight compounds such as antibiotics. The cumulative release showed a burst effect, 
which might be due to the high specific surface of the fibers and to the dye 
molecules situated on or very near the surface. Copper acetate was also 
incorporated in ESP scaffolds to study its release from the polymeric fibers, since it is 
known to positively influence extracellular matrix formation [46]. The release of 
copper couldn’t be detected quantitatively with a spectrometer analysis due to its 
precipitation in PBS. The weight of the precipitated dye compound was measured as 
good as possible and suggested a similar release profile as pyrrogalol red and 
methylene blue, with a more moderate burst effect over the first 72 hours. This 
might be related to the smaller molecular dimension and to the different, ionic, 
chemical structure of the compound. Being the release mechanism of this copolymer 
family mainly based on diffusion [25, 47], the different compound chemical 
structure might have resulted in a different bonding degree to the polymer, which 
contributed to alter the release rate. An influence of fiber diameter and surface 
topography was found on the methylene blue release from ESP scaffolds. The 
cumulative amount of released dye decreased with increasing fiber diameter. This 
can be attributed to the correspondent lower fiber specific surface. However, when 
nanoporosity was incorporated on the surface of the fibers, the cumulative dye 
release increased as compared to smooth fibers with the same fiber diameter. The 
presence of nanoporosity resulted in a higher fiber surface available for diffusion. 
Furthermore, the dyes were only partly (<50%) released even after one month 
(Figure 10), indicating a strong bonding of these compounds to the polymer matrix 
the release of the remaining amount being dependent on the gradual degradation of 
the polymer [48, 49]. 
We showed in this investigation that electrospun PEOT/PBT scaffolds influence cell 
morphology and metabolic activity, and the release rate of incorporated 
compounds depending on fiber diameter and surface texture. In this respect a 
further tool to control the distribution and morphology of seeded cells or the 
release of drugs is to fabricate multiphase scaffolds, where different materials are 
selectively and regionally present in the construct. In the specific case of polymeric 
scaffolds, blends of two or more polymers can be made and studied for this purpose, 
as shown in figure 11. These systems would be even more useful in case of complex 
tissues, where different cell types are arranged in hierarchical structures such as the 
heart, the liver and the neural tissue, and where a selective different cell attachment 
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is desired, or in the case of co-culturing different cells type. If selective leaching is 
performed in a solvent-non solvent bath to remove one component of the blended 
polymer (figure 11b), scaffolds can be obtained where the increase of microporosity 
and surface roughness can enhance cell differentiation and extra cellular matrix 
formation [10, 42, 50]. Such a multiphase system could also be used to selectively 
release different biological agents in different time windows. An example of such a 
system is to electrospun water-in-oil polymer emulsions, where the drug is 
incorporated in water droplets and protected from the solvent [13]. Further studies 
will focus on the development of different releasing ESP networks and their 
incorporation in rapid prototyped scaffolds.   
 

  
Figure 11 – SEM micrographs of electrospun scaffolds from PEOT/PBT and P(BMA/MMA) or PCL blends 
in a random (a) and coaxial (b) distribution, and from PEOT/PBT – bovine serum albumin (BSA) 
emulsion (c). (a) ESP blend scaffolds after leaching out P(BMA/MMA), showing microporosity formation 
(pore size: 761 ± 508 nm). Scale bar: 20 μm; (b) coaxial fiber with a PEOT/PBT shell (9.76 ± 1.72 μm) 
and a PCL core (8.06 ± 1.16 μm). Scale bar: 5 μm; (c) emulsion scaffold fiber dimension: 1.5 ± 0.7 μm. 
Scale bar: 500 μm. 
 
Conclusions 
 
Electrospun scaffolds of PEOT/PBT copolymers were successfully fabricated. A wide 
range of porous and non porous fibers can be obtained, depending on the solvent 
used and on the electrospinning settings. A set of ESP scaffolds with specific diameter 
and surface topography was selected to study their influence on cell attachment and 
activity. Fibers with a diameter of 10 μm were found to have optimal cell 
attachment and proliferation. Furthermore, smooth or nanoporous fibers resulted in 
rounded aggregated or spread cells, respectively. After 14 days, the scaffolds were 
almost fully covered with cells, which also penetrated inside the fibril network. Dyes 
with different size and chemical structure were incorporated and released from the 
scaffolds in a burst and a first or higher order release pattern. These results suggest 
that PEOT/PBT electrospun scaffolds can offer a broad range of solutions for drug 
delivery and tissue engineering, in terms of the geometric and morphological 
properties of the fibril network they are formed of. 
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Abstract 
 

e present here a novel system to create rapid prototyped 3D fibrous 
scaffolds with a shell-core fiber architecture where the core polymer 
supplies the mechanical properties and the shell polymer acts as a coating 

providing the desired physicochemical surface properties for tissue engineering 
applications. By exploiting viscous encapsulation, a rheological phenomenon often 
undesired in molten polymeric blends flowing through narrow ducts, fibers with a 
shell – core configuration can be extruded. Hollow fibers can also be obtained by 
selective dissolution of the inner core polymer. The core diameter and the shell 
thickness can be controlled by varying the polymers in the blend, the blend 
composition, and the extrusion nozzle diameter. Simultaneous with extrusion, the 
extrudates are organized into three-dimensional matrices with different architectures 
and custom-made shapes by three-dimensional fiber deposition, a rapid prototyping 
tool which has recently been applied for the production of scaffolds for tissue 
engineering purposes. Poly[(ethylene oxide) terephthalate-co-poly(butylene) 
terephthalate] (PEOT/PBT) 3D fiber deposited (3DF) scaffolds with solid, shell-core, 
and hollow fiber architecture were fabricated and examined for cartilage tissue 
regeneration and controlled drug delivery applications. 
 
Keywords: shell-core fibers; hollow fibers; viscous encapsulation; rapid prototyping; tissue engineering; 
drug delivery. 
 
Introduction 
 
Biomaterial porous scaffolds are generally investigated for drug controlled release 
and tissue engineering applications as three dimensional (3D) means to vehicle 
medical treatments in specific locations [1-4] and to guide cell attachment, 
proliferation and differentiation into the tissue to regenerate [5-9]. Beyond the fact 
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that these constructs must be biocompatible and possibly biodegradable and/or 
bioresorbable, they also have to offer an initial and adequate mechanical support 
for the seeded cells to integrate with the surrounding tissue, to facilitate regaining 
the original shape of the treated defect and to provide the appropriate chemistry to 
direct cells and the extra cellular matrix (ECM) produced by them into the proper 
original tissue structure and architecture. Among the scaffold fabrication techniques 
currently available, rapid prototyping systems appear to be the most promising to 
satisfy the first requirements, as they can process a wide number of biomaterials [10, 
11] in a custom-made shape and with matching mechanical properties in comparison 
with the specific application considered [12-14]. The outcomes are 3D scaffolds that 
normally possess fine tunable porosity, pore size and shape, and have a completely 
interconnected pore network, which allows a more efficient cell migration and 
nutrient perfusion than scaffolds fabricated with conventional techniques [15, 16]. 
Within rapid prototyping systems, 3D fiber deposition (3DF) has lately been 
investigated by our group to fabricate custom-made scaffolds and to modulate their 
mechanical properties for tissue engineering applications showing encouraging 
results [17-19]. In contrast, scaffolds fabricated with conventional techniques can be 
still shaped with custom-made molds, but it is more difficult to control their 
mechanical properties, pore size, shape and interconnectivity. In the resulting 
tortuous spongy-like structure nutrient perfusion is mostly limited to 0.5-1 mm in 
depth, thus leading to an heterogeneous distribution of cells in the scaffold after few 
weeks of culture [15, 20]. In this respect, important achievements have been 
obtained with salt leached or meshed scaffolds seeded with immature chondrocytes 
[21-24]. Yet, if mature cells are used their response can be quite different as 
compared to immature cells and tissue formation is still hampered in the middle of 
scaffolds fabricated with porogen- or mesh-based techniques [25, 26].  
The physico-chemical properties of a scaffold are also relevant for drug release and 
tissue formation. Depending on the affinity between the biomaterial chemical 
structure and the drug, its release profile changes [2, 27]. Cell attachment and 
morphology are affected by the material chemical structure. For instance, a rather 
hydrophilic material typically results in a higher number of attached cells, with a 
spread and spindle-like shape; in contrast, a more hydrophobic material causes less 
cell attachment and rounded shape morphology [28]. Attached cell density and 
morphology ultimately bias the quality of the regenerated tissue in a long term. A 
way to control the release profile of a specific drug or the distribution and 
morphology of seeded cells is to fabricate multiphase scaffolds, where different 
materials are selectively and regionally present in the construct. In the specific case 
of polymeric scaffolds, blends of two or more polymers can be made and studied 
for this purpose. These systems would be useful when engineering complex tissues 
where different cell types are arranged in hierarchical structures such as the heart, 
the liver and the neural tissue [29, 30]. Such scaffolds are also suitable to engineer 
tissues for which it is determinant to maintain the original cell morphology like for 
chondrocytes in cartilage tissue engineering [28, 31, 32]. Studies on polymeric blends 
for tissue engineering applications have been done by different groups [33-36], but 
the investigations focused on exploiting the second polymer phase in the blend to 
create macro and micro porous scaffolds.  
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In this scenario, the aim of this study was to investigate a novel method to create 
biphasic shell-core fibers with controlled shell thickness and core diameter, and to 
simultaneously organize them into 3D scaffolds by means of precise deposition tools 
such as rapid prototyping technologies. Shell-core fibers are made by extrusion of a 
blend of two or more miscible and immiscible molten polymers and by exploiting a 
typical rheological phenomenon known as viscous encapsulation [37]. When the 
two components of the polymer blend have a significant difference in viscosity in 
the molten state the polymer with lower viscosity tends to shift, when flowing 
through a narrow duct – such as the nozzle of an extruder -, towards the walls of 
the duct during extrusion. This is due to the higher shear stresses present at the walls 
to which the lower viscosity polymer adapts more easily due to its higher capacity 
to distort. This separation of the components will produce a stratification - or, 
eventual, a “canalization” effect resulting in a shell-core structure, as depicted in 
figure 1. If a shell-core structure is created, the scaffolds can be seen as 

 

 
Figure 1 – Schematic draw of the viscous encapsulation phenomenon. Arrows show the encapsulation of 
the high viscosity polymer by the low viscosity polymer, due to higher shear stress (longer arrows) along 
the capillary walls. 
 
a coated structure, where for instance one polymer gives the main mechanical 
properties and organization to the scaffold, and the other polymer(s) work as a 
coating to improve the surface properties of the construct. Else, if the difference in 
viscosity of the polymers in the blend is not significant a random distribution is 
obtained. In this case the fabricated scaffolds might be still used as “smart” 
constructs, where the different polymeric phases selectively influence attachment of 
different cells.  
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A third possible scaffold system comprising hollow fibers can also be created by 
using immiscible polymers and applying a selective leaching out technique, that is 
soaking the scaffolds in a solution that is only a solvent for the core polymer to 
generate the hollow cavities. These fibers are of a great interest in material science 
because of their multiple applications in different fields, like environmental [38, 39], 
electronic [40, 41], biomedical technologies [42, 43], and gene therapy [44, 45]. 
They find use for microfiltration, photonics, and biomedical instruments, among 
others. In tissue engineering, 3D hollow fiber scaffolds can provide, for example, a 
3D system of reservoirs for drug release or a network for tissue in growth. The 
conventional fabrication processes used to cast them consist mainly in chemical or 
thermal phase inversion [46-48]. Among novel techniques, electrospinning and self-
assembly has recently been proved to produce nanometer size hollow fibers [49-
52]. With these techniques it is possible to some extent to control the hollowness of 
the fibers and to organize them by weaving technologies into three-dimensional 
(3D) structures [53]. However, it is difficult to obtain a precise control of the hollow 
cavities diameter and simultaneously a spatial organization in a 3D fashion. 
Furthermore, hollow fibers are individually drawn and small variations in the 
settings can result in irregularities in the lumen and shell size [54, 55]. 
It is here that this technique to fabricate shell-core and hollow fibers brings its 
novelty, as it makes use of a commonly unwanted phenomenon in polymeric 
blends processing. The first endeavor of our investigation was to determine in a set 
of biocompatible polymers a precise melt viscosity range in which viscous 
encapsulation occurs during extrusion. Biocompatible polymers with different 
solubility characteristics were chosen for the ultimate purpose of using the resulting 
hollow fibers in tissue engineering applications [56-61]. Block-copolymers of 
polyethyleneoxide-terephtalate (PEOT) and polybutylene-terephtelate (PBT), 
polybutylmethacrylate-methylmethacrylate (P(BMA/MMA)) and polycapro-lactone 
(PCL)  have been investigated as models. PEOT/PBT are polyether-ester multiblock 
copolymers belonging to a class of materials known as thermoplastic elastomers 
which have already been broadly investigated for tissue engineering and drug 
delivery applications, because by varying the molecular weight of the starting PEG 
segments and the weight ratio of PEOT and PBT blocks it is possible to tailor-make 
properties, such as wettability [62], swelling [19, 27, 63], biodegradation rate [62], 
protein adsorption [28], and mechanical properties [17, 18], in combination with 
easy processability [63]. These copolymers have shown to be extensively 
biocompatible both in vitro and in vivo [56, 57, 64] and reached clinical 
applications (PolyActive™, IsoTis Orthopaedics S.A.) as cement stoppers and bone 
fillers in orthopedic surgery [65, 66]. Polymethylmethacrylate (PMMA) and 
copolymers [58, 67, 68] have found extensive use as bone cements for hip 
prosthesis implants, while polycapro-lactone is considered as one of the polymer 
standard in tissue engineering for its good biocompatibility, bioresorbability, and 
mechanical properties [59-61].  
Examples of how 3DF scaffolds with shell-core and hollow fiber architecture can be 
used in tissue engineering with a particular regard to cartilage tissue formation and 
in controlled drug delivery applications are presented and discussed as possible 
smart biomaterials devices. Being viscous encapsulation a general rheological 
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phenomenon for polymer blends during co-extrusion, the principles treated in this 
paper will find applications for other polymeric systems as well.  
 
Materials and Methods 
 
Materials Characterization 
 
Poly(ethylene oxide – terephthalate)/poly(butylene terephtalate) (PEOT/PBT) 
copolymers were acquired from IsoTis S.A. (Bilthoven, The Netherlands). The 
composition used in this study were 300/55/45 and 1000/70/30 where, following 
an aPEOTbPBTc nomenclature (a/b/c), a is the molecular weight in g/mol of the 
starting PEG blocks used in the copolymerization, while b and c are the weight 
ratios of the PEOT and PBT blocks, respectively. 1000/70/30 with three different 
molecular weights (1000/70/30, 1000/70/30-M, and 1000/70/30-L) were obtained. 
The difference in molecular weight was characterized by their melting indices, the 
higher molecular weight composition having a smaller melting index. 
Poly(butylmethacrylate-methylmethacrylate) (PBMA/MMA) and Poly(capro-
lactone) (PCL) were purchased from Sigma-Aldrich, with different molecular 
weights. For P(BMA/MMA) 100.000 g/mol and 150.000 g/mol were used, while for 
PCL 12.000 g/mol, 65.000 g/mol, and 130.000 g/mol were employed. 
The viscosity of the molten polymers was measured with a melting index system 
(ASTM D1238-73), which determines the grams of polymer flowing under a fixed 
weight in 10 minutes. A higher melting index corresponded to a lower viscosity. To 
form the polymeric blends, the polymers were grinded into particles less than 400 
μm in size and mixed in a 35/65, 50/50, and 65/35 ratio to reach continuity of the 
two polymers in the blend. An annealing step of two hours in an oven above the 
polymers glass temperature (T = 80 °C) was performed in order to obtain a better 
coarsening of the particles, as shown by Sarazin et al [33, 35]. Blends of immiscible 
polymers 300/55/45 and 1000/70/30 with P(BMA/MMA) and with PCL of the 
different given molecular weights, and blends of P(BMA/MMA) with PCL were 
made. Blends of 300/55/45 with 1000/70/30, which as polymers from the same 
PEOT/PBT family are miscible, were also obtained.  
 
Scaffolds fabrication 
 
3D scaffolds were manufactured from the polymers and the polymeric blends with a 
Bioplotter device (Envisiontec GmbH, Germany), essentially an XYZ plotter device 
as previously described [17-19]. Few modifications were done to extrude highly 
viscous polymeric fibers. The polymers were put in a stainless steel syringe and 
heated at T = 190-220 °C through a thermoset cartridge unit, fixed on the “X”-
mobile arm of the apparatus. Temperature increased with increasing the viscosity of 
the processed blend. When the molten phase was attained, a nitrogen pressure of 5 
Bars was applied to the syringe through a pressurized cap. Rectangular block models 
were loaded on the Bioplotter CAM software and plotted layer by layer, through 
the extrusion of the polymeric system on a stage as a fiber. The deposition speed 
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varied between 180 mm/min and 230 mm/min, depending on the viscosity of the 
blend or of the single polymer to extrude. Scaffolds were then characterized by 
varying the fiber diameter (through the nozzle diameter), the spacing between fibers 
in the same layer, the layer thickness and the configuration of the deposited fibers 
within the whole architecture. The used nozzles were stainless steel Luer Lock 
needles with internal diameter (ID) of 800 μm, 400 μm and 200 μm, shortened to a 
length of 16.2 mm. The fiber spacing was set to 1800 μm, 800 μm, and 600 μm, 
while the layer thickness to 625 μm, 225 μm, and 150 μm, respectively for the 
different needles used. The architecture was changed by plotting fibers with 90° 
orientation steps between two successive layers or by modifying the fiber 
orientation after one or after two plotted layers (referred to as 0-90 or 00-9090 
configurations).  
Compression molded scaffolds were also fabricated as a reference for the 3D 
scaffolds characterization. Briefly, for each composition 4 grams of polymer blends 
were molten at T = 190 °C in a stainless steel mould and left to cool down at room 
temperature under a pressure of 5bars. Solid sheets with the same dimensions as the 
3D scaffolds were then obtained. 
 
Scaffolds Characterization 
 
Cylindrical samples of 4 mm in diameter by 4 mm in height were cored out in the 
“Z-direction” from the rectangular 3D plotted blocks. Scaffolds geometry and 
architecture was characterized by environmental scanning electron microscopy 
(ESEM) analysis with a Philips XL 30 ESEM-FEG. The porosity of 3D plotted shell-
core scaffolds was calculated as [18]: 
 

1

3

1

2cube

scaffold

d
d
1

d
d
1

4
1

V
V

1P ⋅⋅−=−=
π

                                                                         (1) 

 
where P is the scaffold porosity, d1 the fiber diameter, d2 the fiber spacing and d3 
the layer thickness, within each different structure. 
PEOT/PBT scaffolds with hollow fibers were obtained by soaking for three days 3D 
shell-core scaffolds in a solvent specific for the core polymer. Acetone (Sigma, The 
Netherlands) was used for P(BMA/MMA) core polymers, while 100% acetic acid 
(Sigma, The Netherlands) was used for PCL. Scaffolds were washed and left to dry 
for a day and then placed in a vacuum oven at 50 °C to leach out the remaining 
traces of the solvent. The ratio between the hollow core diameter (d) and the fiber 
diameter (D) was considered as an index to measure the blend composition after 
extrusion and compared it with before scaffold fabrication. 
A polarized incident light optical microscope (PLM) was also used to analyze the 
structure of the 3D scaffolds fabricated with the 300/55/45 – 100/70/30 blend. The 
samples were embedded in Poly(methylmethacrylate) (PMMA) and then sectioned 
with a Leyca saw microtome (sp 1600). Thin sections (100 μm) were fixed with UV-
glue on a glass slide and examined with PLM. In this case, the swelling ratio Q of 
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solid polymeric samples and of the 3DF scaffolds was also measured [19]. Briefly, 
cylindrical specimens with the same dimension above mentioned were put in PBS at 
37 °C and left for three days to reach a swollen equilibrium state. Q was calculated 
as: 
 

( )
dry

dryswollen

M

MMρ
1Q

−⋅
+=                     (2) 

 
where ρ was taken for simplicity as 1.2 g/ml for all the compositions, Mswollen is the 
scaffold equilibrium wet weight, and Mdry is the scaffold dry weight. The swollen 
weight was measured after having blotted the scaffolds with a tissue and after 
having expelled the water from the pores by applying pressurized air. 
3DF scaffolds for culture experiments were sterilized in isopropanol (IPASEPT 70, 
VWR International) for 15 minutes, thoroughly washed with a phosphate buffered 
saline (PBS) solution (Gibco-BRL) three times, and incubated over night in culture 
medium prior cell seeding. 
 
Cell Seeding and Culture 
 
Chondrocytes were isolated via collagenase digestion from articular cartilage 
harvested from an 18-month old bovine knee joint [69]. Primary cells were 
aggregated with 300 μg/ml of fibronectin (Invitrogen), statically seeded at a density 
of 3 millions in 50 μl of medium and cultured on PEOT/PBT 3DF scaffolds (Ø4 mm 
and 4 mm thick) with solid, shell-core, and hollow fiber architecture (n=6).  
Two sets of independent experiments were done to evaluate the shell-core or the 
hollow fiber 3D scaffolds as compared to solid fiber ones. In a first experiment, 
300/55/45, 1000/70/30, and 1000/70/30-L – 300/55/45 shell-core 3DF scaffolds 
fabricated with 00-9090 architecture were selected and cultured for 3 weeks. This 
architecture was chosen as it displays more homogeneous pore size in all the 
directions as compared to a 0-90 configuration. Solid and shell-core fiber scaffolds 
were compared to assess the influence of different physico-chemical properties on 
cell morphology and tissue formation. In a second experiment, 300/55/45 3DF 
scaffolds with solid and hollow fibers were cultured for 4 weeks. Solid and hollow 
fiber scaffolds were compared to evaluate the difference in cell entrapment and 
ECM formation.  
The culture medium contained HEPES (Invitrogen)-buffered DMEM (Invitrogen) 
supplemented with 10% fetal bovine serum (FBS, Sigma-Aldrich), 0.2 mM ascorbic 
acid 2-phosphate (Invitrogen), 0.1 mM non-essential amino acids (Sigma-Aldrich), 
0.4 mM proline (Sigma-Aldrich), 100 units/ml penicillin (Invitrogen), and 100 μg/ml 
streptomycin (Invitrogen). Constructs were cultured at 37 °C in a humid atmosphere 
with 5% CO2. Medium was refreshed twice a week.  
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Biochemical Analysis 
 
DNA and glycosaminoglycans (GAG) assays were performed at the end of the 
culture periods. Constructs were digested overnight at 56 °C in a Tris-EDTA buffered 
solution containing 1 mg/ml proteinase K, 18.5 μg/ml pepstatin A, and 1 μg/ml 
iodoacetamide (Sigma-Aldrich). Quantification of total DNA was done with 
Cyquant dye kit according to the manufacturers description (Molecular Probes) 
using a spectrofluorometer (LS 50B, Perkin Elmer). GAG amount was determined 
spectrophotometrically (EL 312e Bio-TEK Instruments) after reaction with 
dimethylmethylene blue dye (DMMB, Sigma-Aldrich) by measuring absorbance at 
520 nm. The final amount was calculated using a standard of chondroitin sulphate B 
(Sigma-Aldrich).  
 
Histology Analysis 
 
Samples were fixed overnight in 0.14 M cacodylate buffer (pH = 7.2 – 7.4) 
containing 1.5% glutaraldehyde (Merck). Scaffolds were subsequently dehydrated in 
sequential ethanol series, plastic embedded in glycol-methacrylate (Merck) and cut 
using a microtome to yield 5 μm sections. Slices were stained with safranin-O 
(Sigma-Aldrich) to visualize extracellular matrix (sulphated glycosaminoglycans - 
GAG), and counterstained with haematoxylin (Sigma-Aldrich) and fast green (Merck) 
to visualize nuclei and cytoplasm of the cells. Mounted slides were examined under 
a light microscope (Nikon Eclipse E400) and representative images captured using a 
digital camera (Sony Corporation, Japan) and Matrix Vision software (Matrix Vision 
GmbH, Germany). Tissue constructs on scaffolds were also analyzed by SEM. 
Specimens were fixed and dehydrated as described above and critical point dried 
from liquid carbon dioxide using a Balzers CPD 030 machine. Samples were then 
gold sputtered and studied under the SEM. 
 
Mechanical Characterization 
 
To compare the dynamic stiffness of solid 300/55/45, 1000/70/30, and shell-core 
1000/7030-L – 300/55/45 3DF scaffolds before and after culturing, dynamic 
mechanical analysis (DMA; Perkin Elmer 7e) was performed. For each configuration 
three samples were analyzed. Cylindrical fixtures were chosen to test the specimens 
and evaluate their behavior as a whole structure along their compression axis, in the 
“Z-direction”. 
Scaffolds and cartilage constructs were loaded with a dynamic force varying from 
1.5N to 2.5N in a dynamic stress experiment. More specifically, a starting force of 
1.5N was applied and then continuously increased to 2.5N with a sinusoidal loading 
ramp of 50mN/min, at a constant frequency of 1Hz. The dynamic stiffness was 
calculated by the instrument software (Pyris). The tests were conducted under wet 
conditions: a synovium-like fluid was prepared as a 3% (w/v) solution of 
polyvinilpyrrolidone (PVP) in de-ionized water. This was done to simulate the 
physiological environment of articular cartilage. Scaffolds were soaked in PVP-
solution, before loading. The temperature was 37 °C during all of the experiments. 
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Lysozyme loading 
 
To assess the different drug release capacities of 300/55/45 3D scaffolds, cylindrical 
hollow and full (control) fiber 3DF scaffolds were immersed in a 55mg/ml lysozyme 
solution for three hours, under vacuum. The release was detected through a μBCA 
assay (Pierce) with a spectrometer (El 312e, BioTek Instruments) at 570 nm. Control 
scaffolds were just normal 3DF PEOT/PBT scaffolds. A hollow reservoir construct 
with the same geometry was also tested. Hollow reservoirs were obtained after 
protein adsorption by dipping the hollow scaffolds in a 16% weight/volume 
1000/70/30 solution in chloroform (Sigma, The Netherlands) and evaporating the 
solvent to close the fibers at their ends. 
 
Statistical Analysis 
 
Statistical Analysis was performed using a Student’s t-test, where the confidence level 
was set to 0.05 for statistical significance. Values in this study are reported as mean 
and standard deviation. To evaluate the effect of the polymers’ surface on 
chondrocyte morphology ten micrographs on different and randomly chosen pores 
for each scaffold were considered. Cell morphology was classified by five 
independent observers as spread (S), mostly spread (S-), mostly rounded (R-), and 
rounded (R). A non parametric Mann-Whitney test was carried out to assess the 
independency of the cell morphology on 300/55/45 from the cell morphology on 
1000/70/30. 
 
Results 
 
Scaffolds Characterization 
 
The melting indexes of the polymers considered in this study are presented in table 1. 
Values changed from 2.7 ± 0.2 g/10min for PCL with a molecular weight of 
130.000 g/mol to 395 ± 36 g/10min for PCL with a molecular weight of 12.000 
g/mol. All the other polymers had a melting index within this range. For polymeric 
blends, the ratio of their melting indexes was more relevant. In particular, under the 
rheological parameters of our 3D depositing process viscous encapsulation and the 
formation of a shell-core fiber construct was found for: 
 

10.5
M.I.(B)
M.I.(A)

2.5 ≤≤                      (3) 

 
where M.I.(A) is the melting index of the less viscous polymer A, and M.I.(B) is the 
melting index of the more viscous polymer B in the blend. Figure 2 shows an 
example of the shell-core structure before and after selective leaching to eventually  
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create the hollow fibers. Figure 2c gives the morphology of a 3D matrix obtained by 
compression molding. Here, the absence of shear stresses due to the constrained 
compression of the molten blend resulted in a dispersion of the two polymers. After 
selective leaching a porous random three-dimensional matrix is achieved with no 
stratification effects. 

 

   
Figure 2 – SEM micrographs of 50%/50% 300PEOT55PBT45 - P(BMA/MMA) 3DF matrix before (a) and 
after (b) leaching out P(BMA/MMA). The shell (S) – core (C) structure is clearly visible. (c) 50%/50% 
300PEOT55PBT45 - P(BMA/MMA) compression molded scaffold after selective leaching of P(BMA/MMA) 
shows the dependence of viscous encapsulation on shear stresses. (a) scale bar: 100 μm; (b) scale bar: 200 
μm; (c) scale bar: 500 μm. 
 

   
Figure 3 – SEM micrographs of hollow fibrous scaffolds with different hollow cavity diameter and shell 
thickness. (a) scale bar: 1 mm; (b, c) scale bar: 500 μm. 
 
The possibilities to control the diameter of the inner hollow cavity and the thickness 
of the shell were also analyzed. The melting index ratio, the weight ratio in the 
blend, and the extrusion nozzle diameter were found to be especially of influence in 
this respect. By increasing the melting index ratio or the percentage of the lower 
viscosity polymer in the blend, the diameter of the hollow cavities decreased. 
Conversely, with increasing the nozzle diameter, the diameter of the hollow cavities 
increased to a point where stratification and consequently multiple cavities occurred 
within the same fiber, as illustrated in figure 3. As an exemplification, table 2 
summarizes how the lumen diameter and the shell thickness vary with the nozzle 
internal diameter. ESEM analysis revealed fiber diameters of 752 ± 20 μm, 348 ± 4 
μm, and 165 ± 35 μm for needle diameters of 800 μm, 400 μm, and 200 μm, 
respectively. In deposited scaffolds, the fiber spacing d2 was measured to be 1850 ± 
77 μm, 766 ± 11 μm, and 565 ± 17 μm, while the layer thickness d3 was 614 ± 71 
μm, 227 ± 20 μm, 144 ± 10 μm, respectively. The overall porosity before scaffold 
treatment was measured to be 61 ± 3%, 45 ± 4%, and 74 ± 8%, respectively. By 
varying these parameters, it was possible to modulate the hollow cavity diameter 
from 42 ± 6 μm to 684 ± 219 μm, while the shell wall thickness varied from 37 ± 
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17 μm to 649 ± 52 μm. Ratios lower than 2.5 resulted in blends where more 
random rearrangements occurred. Ratios higher than 10.5 resulted in blends where 
co-extrusion of the components was not longer possible. The deposited fibers were 
composed of a single polymer, which changed from the low viscosity component to 
the high viscosity one during extrusion. 
 

 
Table 3 – Characterization of the blend composition before and after extrusion (volume fractions 
assumed to be approximately equal to weight fractions). 

 

  

  
Figure 4 – ESEM (a) and PLM (b) micrographs of 50%/50% blend of 1000/70/30 and 300/55/45. (a) 
detail of a fiber after 3 weeks in water, scale bar: 100 μm. The shell (S) – core (C) structure is depicted. (b) 
PLM image, showing the outer amorphous 1000/70/30 and the inner birefringent 300/55/45 phases. A 
homogeneous outer shell layer can be clearly detected; scale bar: 50 μm. In comparison are shown cross-
sections of a 300/55/45 (c) and of a 1000/70/30 (d) fiber. Scale bar: 100 μm. 
 
A shell-core structure and subsequently a hollow fiber construct were clearly formed 
for 50/50 and 65/35 blend ratios. After a stabilization time of the blend in the 
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molten state, the extruded fibers appeared to have roughly the same composition as 
the original blend (table 3). The ratio between the hollow core diameter d and the 
fiber diameter D represent the extruded blend composition, which can be compared 
with the theoretical composition. The lower limit for the less viscous - shell - 
component appeared to be 35 wt% since blends with a smaller than 35/65 ratio 
lost integrity in most of the samples after leaching of the high viscosity component. 
Also with miscible polymers – from the PEOT/PBT family – shell-core fibers could be 
made through viscous encapsulation, provided the melting index ratio was within 
the appropriate range, as shown in figure 4. An outer shell layer of 1000/70/30 on a 
300/55/45 core can be seen with environmental scanning electron microscopy 
(ESEM), especially when the sample is observed in a wet environment after swelling. 
Since hydrophilic 1000/70/30 swells more than hydrophobic 300/55/45, it is 
possible, by analyzing the thickness of the shell layer and of the core fiber before 
and after swelling, to determine which polymer corresponds to the shell and which 
to the core. ESEM analysis revealed a fiber diameter d1 of 264 ± 27 μm, a fiber 
spacing d2 of 783 ± 33 μm, and a layer thickness d3 of 227 ± 20 μm. The core 
diameter was measured as 196 ± 24 μm, and the shell thickness as 56 ± 18 μm. This 
c o r r e s p o n d e d  t o  a  s c a f f o l d  p o r o s i t y  o f  7 0 %  ±  2 % .  T a b l e  4  

 

 
Table 4 – Volume swelling ratio, melting index and relative ratios of 300/55/45 and two compositions of 
1000/70/30 differing by molecular weight; (L) indicates a lower molecular weight.  
 
introduces the different swelling capacities of the copolymers related to their 
melting indexes. Viscous encapsulation was found to happen only when 
1000/70/30-L was used. The swelling ratio Q of the solid material was measured as 
1.06 ± 0.01 for 300/55/45, 1.715 ± 0.005 for 1000/70/30, and 1.31 ± 0.007 for 
the 1000/70/30-L – 300/55/45 blend. An intermediate value of the swelling ratio 
for the 50/50 w/w is as expected. The confinement exercised by the 300/55/45 
domains on the 1000/70/30 regions may result in “pre-stressed” 300/55/45 areas 
because of the swelling pressure exercised by the 1000/70/30 domains.  The 
swelling ratio of the scaffolds was slightly higher as compared to solid materials and 
measured as 1.14 ± 0.01 for 300/55/45, 1.76 ± 0.02 for 1000/70/30, and 1.55 ± 
0.03 for the 1000/70/30-L-300/55/45 blend. This is due to better water uptake 
capacity of the copolymers in a filament shape, because of the higher surface to 
volume ratio. Also, polarized light microscopy analysis revealed that there is not a 
complete separation of the two polymers, but that domains of the amorphous 
1000/70/30 are also present inside the semi-crystalline birefringent 300/55/45 core 
of the fiber. Finally, a triphasic polymeric blend was formed and processed to 
achieve further instructive properties of the 3D scaffolds. The blend was formed 

Biphasic 
3D

F Scaffo
lds 



Chapter 8 

 174 

from 50% of highly viscous P(BMA/MMA) core polymer, and the remaining 50% 
was comprised of 25% of 300/55/45 and 25% of 1000/70/30, the latter two being  
 

  

 

 
Figure 5 – DNA (a) and GAG (b) assay results. Primary chondrocytes were seeded and cultured (21 days) 
on respectively 300/55/45, 1000/70/30 and 1000/70/30-L – 300/55/45 scaffolds (n=6). 
 
known to have different physico-chemical properties which are of importance for 
drug release rates or cell morphology in cultures. The fabricated fibers showed three 
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distinct phases, and when the core polymer was dissolved a scaffold with 
300/55/45 hollow fibers coated with 1000/70/30 was obtained (data not shown). 
 
1000/70/30-L – 300/55/45 Shell-Core 3DF Scaffolds 
 
Tissue Formation 
 
3DF scaffolds fabricated with 300/55/45, 1000/70/30, and 1000/70/30-L-
300/55/45 blended copolymers were seeded with bovine primary articular 
chondrocytes and cultured for 21 days. No significant difference was detected in the 
amount of DNA and GAG present in the different constructs, as illustrated in figure 
5. Specifically, DNA amount was 10.36 ± 1.43 μg in 300/55/45, 11.17 ± 2.3 μg in 
1000/70/30, and 15.3 ± 4.66 μg in 1000/70/30 – 300/55/45. GAG was quantified 
as 197.20 ± 24.6 μg in 300/55/45, 223 ± 35.6 μg in 1000/70/30, and 225 ± 13.2 
μg in 1000/70/30 – 300/55/45. Histological sections of the constructs confirmed 
cartilage specific GAG formation, as they were stained for safranin-O and cells were 
organized in lacunae surrounded by extra cellular matrix, which is typical for 
cartilage organization (Figure 6). More interestingly, after 3 weeks of culture ESEM 
analysis revealed spread chondrocyte morphology in 300/55/45, while rounded 
chondrocyte morphology was maintained in the shell-core fibrous scaffold, due to 
the outer 1000/70/30-L shell layer (Figure 7). Cells adhered on 300/55/45 fibers 
(Figures 7a and 7c), while staying aggregated and forming interconnected strands of 
tissue when in contact with 1000/70/30-L (Figures 7b and d). A similar cell 
morphology was detected on 1000/70/30 alone scaffolds (data not shown). Table 5 
summarized the percentage of cells observed to be either spread, mostly spread, 
mostly rounded, or rounded. The statistics performed on the different categories 
always revealed independency of cell morphology on 300/55/45 and 1000/70/30, 
confirming the qualitative morphology findings by SEM. Extra cellular matrix 
formation could also be detected around the chondrocytes and in the scaffold pores 
(Figures 7e and 7f).  

 
Table 2 – Cell Morphology analysis on 1000/70/30-L-300/55/45 and on 300/55/45 3DF scaffolds. Cells were 
classified as spread (S), mostly spread (S-), mostly rounded (R-), or rounded (R) and results expressed in 
percentages for class belonging. Cell morphology on 1000/70/30 scaffolds was similar as on the blended ones.    
 
Cartilage Construct Mechanical Properties 
 
The dynamic stiffness of empty scaffolds and cartilage constructs after 21 days of 
culture was measured. As shown in figure 8, at day 0 the dynamic stiffness of 
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1000/70/30-L-300/55/45 was higher than the stiffness of 300/55/45 and 
1000/70/30, having the same scaffold structure and architecture. After 21 days of 
culture, the dynamic stiffness of the constructs was significantly higher than the 
stiffness of the empty scaffolds for all the conditions examined. Specifically the 
dynamic stiffness increased from 0.95 ± 0.07 MPa to 1.72 MPa ± 0.3 MPa for 
300/55/45, from 0.996 ± 0.16 MPa to 1.3 ± 0.015 MPa for 1000/70/30, and from 
1.85 ± 0.13 MPa to 2.26 ± 0.3 MPa for 1000/70/30-L – 300/55/45. The dynamic 
stiffness of the shell-core construct was also significantly higher than the stiffness of 
the 300/55/45 and of the 1000/70/30 constructs.   
 

  
Figure 6 – Histological sections of 300/55/45 (a) and 1000/70/30-L–300/55/45 (b) constructs, showing 
sulphated GAG formation with safranin-O staining. Scaffold architecture: 00-9090. S denotes 3DF 
scaffold fibers. Scale bar: 100 μm. 
 
300/55/45 3DF Hollow Fiber Scaffolds 
 
Tissue Engineering and Drug Delivery Applications 
 
Bovine primary articular chondrocytes cultured for 28 days in 3DF hollow fiber 
scaffolds were found to grow and form extracellular matrix (ECM) not only in the 
scaffold macropores, but also inside the hollow cavities as depicted in figure 9. This 
resulted in a significantly higher amount (p<0.05) of attached cells and of ECM 
formed, as compared to 3DF solid fiber scaffolds with the same architecture, due to 
a higher surface availability and likely due to a higher cell entrapment efficiency. 
Specifically the measured DNA amount increased from 10.82 ± 1.51 ng for solid 
fiber scaffolds to 16.46 ± 3.4 ng for hollow fiber scaffolds. GAG amount increased 
from 272.97 ± 67.72 μg for solid fiber scaffolds to 564.56 ± 85.48 μg for hollow 
fiber ones. Taking further advantage of the hollow cavities would consist of 
incorporating biological agents, which could be released in a controlled fashion. As 
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shown in figure 10 for a model protein like lysozyme, when the protein was 
adsorbed on the scaffold a burst or sustained release could be achieved with hollow 
fibers, respectively open or end-capped. 

 

  

  

  
Figure 7 – ESEM micrographs of 300/55/45 (a, c, e) and 1000/70/30-L–300/55/45 (b, d, f) constructs 
after 21 days of culture. Spread cell morphology (a, c) can be seen in 300/55/45 scaffolds, while rounded 
morphology (b, d) is kept in the shell-core fibrous scaffold (analogous results obtained for 1000/70/30 
scaffolds). ECM formation (e,f) can be detected for both the constructs. Insert in micrograph (b) is 
indicative of a relatively more homogeneous cell distribution in the shell-core scaffolds as compared to 
300/55/45 ones. C shows chondrocytes aggregation, while P denotes the pore space. Scaffold 
architecture: 00-9090. (a, b) scale bar: 500 μm; (c, d, e) scale bar: 50 μm; (f) scale bar: 2 μm. 
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Figure 8 – Dynamical stiffness measurement of empty scaffolds and cartilage constructs after 21 days of 
culture. (*) shows significant differences with respect of empty scaffolds; (#) indicates significant 
differences from 300/55/45, while (o) from 1000/70/30. 00-9090 scaffold architecture was considered 
(n=6). 
 

  
Figure 9 – SEM (a) and optical microscope (b) micrographs showing chondrocytes (C) and ECM 
formation (arrow - pink staining) inside and outside the hollow fibers (P = Pore; F = Fiber). Scale bar: (a) 
50 μm; (b) 200 μm. 
 
Discussion 
 
Shell-Core 3DF Scaffold Fabrication 
 
Biphasic polymeric 3D scaffolds have been fabricated with a Bioplotter and showed 
to have potential applications in tissue engineering and controlled drug release. A 
shell-core fiber structure was obtained by exploiting a phase separation 
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Figure 10 – Lysozyme cumulative release profile from a 300/55/45 3DF solid, hollow and reservoir (end-
capped) scaffold over one month. A higher amount of protein is released in a burst fashion in hollow 
fibers scaffolds as compared to solid fibers. If hollow fibers are end-capped with 1000/70/30 membranes 
the same amount of protein is released in a sustained manner.  
 
phenomenon known as viscous encapsulation [37], in which the less viscous 
component of a blend tends to shift to the wall of a capillary when subjected to the 
shear stresses during flow. Viscous encapsulation occurred for a specific range of 
polymer viscosity ratios, determined through their melting index. It was strongly 
influenced by the diameter of the nozzle from which the blended fibers were 
extruded. A smaller core diameter was obtained when the melting index ratio 
increased from 2.5 to 10.5 and for smaller nozzles diameter. This might be due to 
the consequent increase of the flow rate of the low viscosity polymer, which 
indicates a preferential extrusion of this component on top of the effect of viscous 
encapsulation. If a polymeric blended scaffold is fabricated through compression 
molding, a randomized structure is obtained and microporosity is achieved when 
one of the polymers is leached out by solvent extraction as shown in figure 2. For a 
melting index ratio lower than 2.5, a random laminar mixture of the polymers is 
obtained. Viscous encapsulation did not occur due to the small difference in 
viscosity of the components. This is due to the similar shear rates experienced by the 
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two polymers, resulting in comparable velocities and in the production of secondary 
flows, as also shown by Dooley et al [37]. In this case, if one of the two phases was 
extracted with a solvent, the scaffold integrity was lost because of the removal of 
the extracted polymer from the fiber connections. If no polymer extraction is 
performed, such scaffolds could be employed in tissue engineering applications as 
biphasic polymeric constructs to attach cells selectively, for instance, by exploiting 
the different cells-surface interaction properties of the two polymers [28]. In 
contrast, ratios higher than 10.5 resulted in blends where co-extrusion of the 
components was no longer possible. The deposited fibers were composed of a single 
polymer, which changed from the low viscosity component to the high viscosity 
one during extrusion. 
Viscous encapsulation also occurred in a certain range of blend composition. The 
core diameter decreased with the increase of the percentage of the low viscosity 
component PEOT/PBT, resulting in a consequent increase of the shell thickness. The 
composition of the blends after scaffold fabrication was consistent with the original 
blends composition, as shown by analyzing the hollowness index d/D presented in 
table 3. Only for a 35/65 blend the leached scaffolds often lost their integrity. This 
was due to the higher amount of the “core”-fiber polymer and to its higher viscosity. 
When these scaffolds were leached, the resulting structure was too fragile and would 
collapse on itself. As the 50/50 composition gave the most regular hollow fiber 
scaffolds, this blend was chosen to show improved cell and drug release properties 
of the biomaterial constructs. 
 
1000/70/30-L – 300/55/45 Shell-Core 3DF Scaffolds Study 
 
Shell-core biphasic polymeric constructs were tested to assess their influence on 
cartilage tissue formation. 300/55/45, 1000/70/30, and 1000/70/30 with a lower 
molecular weight coated on 300/55/45 PEOT/PBT scaffolds were cultured with 
primary adult bovine chondrocytes. Despite a similar amount of cells attachment 
(DNA) and ECM formation (GAG) measured in all the considered scaffolds, 50/50 
blended 1000/70/30-L-300/55/45 and 1000/70/30 scaffolds showed a more 
homogeneously distributed tissue formation as compared to 300/55/45 constructs. 
It seems that the scaffold polymeric composition is not a critical parameter to trigger 
GAG production specific for cartilagineous tissue. However, the fact that cells 
remained aggregated and maintained their round morphology in the shell-core 
scaffolds indicates that the 1000/70/30-L shell provides an environment supporting 
chondrocyte differentiation. This is in agreement with the findings of Mahmood et 
al. [28] and Woodfield et al [70] where chondrocytes cultures on 1000/70/30 not 
only maintained their rounded morphology but were found to produce a 
significantly higher amount of collagen type II.  
The shell-core scaffolds had a higher dynamic stiffness than 300/55/45 and 
1000/70/30 alone with the same structure and architecture, which might be 
explained by the contribution of the up taken water from 1000/70/30 after swelling 
in the medium to the scaffold dynamic stiffness [19]. When dynamically compressed, 
the response of the structure is not only given by the intrinsic stiffness of the dry 
material, but also by the fluid phase absorbed by 1000/70/30 and by the fluid 
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component that is pumped in and out of the porous scaffold. It is for this 
component that 1000/70/30 and 300/55/45 porous scaffolds can have a similar 
structural stiffness, being different polymers [71]. This same fluid component can be 
responsible for the higher stiffness of the shell-core structure, due to the stress of the 
swollen stratified 1000/70/30-L fibrils exerted on the 300/55/45 non swollen fibrils. 
Such a stress would cause the “pre-stress” of 300/55/45 domains. After 21 days of 
culture the dynamic stiffness of the constructs significantly increased for all of the 
compositions. The stiffness of the shell-core fibrous construct was significantly higher 
than the stiffness of the 300/55/45 and 1000/70/30 constructs, which is also due to 
the higher stiffness of the scaffold prior to culture. 
The results obtained are encouraging as they show it is possible to maintain spherical 
chondrocyte morphology, which is a prerequisite for chondrogenesis. It also seems 
that these scaffolds can sustain a relatively homogeneous cartilage tissue formation 
in critical thick scaffolds when adult cells are used. Several studies have focused on 
how to optimize culture conditions in salt leached or meshed scaffolds and 
successfully achieved the regeneration of functional tissue engineered articular 
cartilage [21-24, 31, 72, 73]. In these cases, however, “immature” young cells 
characterized by a much higher proliferation capacity were used and might be 
responsible for the beneficial response even in scaffolds with critical thickness. When 
a more mature cell population was used in polymeric foams or meshes, limitations 
in cartilage formation at the center of the constructs occurred [7, 25, 26], which 
might be due to a different capacity of the cells to attach and migrate in the middle 
of the construct associated with a lower nutrient flow characteristic of these scaffolds. 
Therefore, the possibility to use a more open and interconnected structure like a 
rapid prototyped scaffold that allows a better nutrient perfusion and cell migration 
seems to be ideal as also supported by other recent studies [7, 16, 17, 74, 75]. In this 
setting, the shell-core structure here presented might offer a further improvement in 
combining the desired requirements for a scaffold and might be an optimal solution 
for cartilage tissue engineering, since it couples the better cell-interaction properties 
of 1000/70/30 at the interface with chondrocytes, while preserving the mechanical 
stability of 300/55/45. An additional improvement of the scaffolds would imply the 
incorporation of growth factors into the 1000/70/30 shell layer by diffusion, due to 
the swellability of this polymer. In summary, these findings coupled with the 
possibility to modulate the mechanical properties through 3DF to achieve a 
mechanically matching scaffold with respect to the tissue to regenerate make of 
1000/70/30-L–300/55/45 an interesting alternative for tissue engineering 
applications. 
 
300/55/45 3DF Hollow Fiber Scaffolds  
 
Among the manifold applications which hollow fiber three-dimensional matrices can 
find, they can be very useful in tissue engineering and controlled release applications. 
If modeled with a proper architecture within a 3D construct, the hollow fibers result 
in constructs with less material per volume, which is of interest when the scaffold 
material has to resorb in the course of time. Moreover, the cavities can be useful to 
guide tissue in growth. Hollow fibers supported a higher amount of attached cells 
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and a higher amount of ECM formed as compared to 300/55/45 3DF solid fiber 
scaffolds. Interestingly, chondrocytes were able to penetrate inside the hollow 
cavities. Cell seeding was performed perpendicularly to the hollow fibers opening. 
Therefore, during cell seeding the scaffolds surface exposed for cell attachment is the 
same in the two configurations. It is possible that only in a successive moment, 
probably due to capillary forces and cell migration, chondrocytes were capable to 
enter the hollow fibers, resulting in a higher cell entrapment capacity of these 
scaffolds.  
In this study the response of chondrocytes when seeded on 3DF hollow fibers 
scaffolds with a specific hollow cavity diameter of 280 ± 18 μm and a shell thickness 
of 68 ± 14 μm was evaluated. It may be that by increasing or decreasing the lumen 
diameter, an increase or a decrease of attached cells and, consequently, of ECM 
produced could be found. Different cell populations might also respond in a 
different way when cultured on these scaffolds. Further investigations need to be 
performed in these directions to evaluate whether there is an optimal hollow fiber 
dimension and to assess any variation on the behavior of other cells. Additional 
applications where hollow fibers could be useful to guide tissue in growth are neural 
and vascular tissue engineering where they could be used to form a network of 
nerves or capillaries, respectively. Furthermore, if computerized tomography (CT) or 
magnetic resonance image (MRI) datasets of a patient are available, the fabrication 
of anatomical custom-made hollow fibers 3DF scaffolds can be envisioned where 
this would be desirable from a clinical point of view. Alternatively, the organized 
hollow fiber scaffolds could be used in a bioreactor unit where the hollow fibers act 
as the perfusion capillaries while maintaining the porous structure of the scaffold for 
cell attachment, proliferation, and eventual differentiation [26, 76-79].   
Hollow fiber 3DF scaffolds were also able to release a much higher quantity of 
adsorbed lysozyme, with respect of solid fiber scaffolds. This was most probably due 
to the increase in available surface of the hollow constructs. However if the ends of 
the fibers were left open, a burst effect was detected over the first 24 hours, thus 
confining the controlled release. Therefore, the hollow fibers were closed by 
dipping the scaffolds in a 1000/70/30 solution. The result was a controlled lysozyme 
release over a month, which was likely due to the end-capping 1000/70/30 
membranes that allow protein diffusion [80]. In fact, being PEOT/PBT physical 
hydrogels, it is possible to control the release of incorporated biological factors by 
diffusion out of the polymer via the copolymer composition of the hollow fibers 
and/or of the end capping membranes [2, 81, 82]. To prove that 3DF hollow fiber 
scaffolds can release biofactors in a controlled fashion lysozyme was used. Many 
other biological compounds of interest for tissue engineering applications could be 
also used. In this respect, growth factors like TGF-β, BMP, and IGF have already 
been reported as beneficial when released in a controlled manner [83-85]. The 
ability of these scaffolds would allow, for instance, to trigger dedifferentiated or 
undifferentiated cells to a specific lineage contributing to stimulate the proper tissue 
formation.  
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Conclusions 
 
We have demonstrated a new method to create shell-core and hollow fibers with 
controllable cavity diameter and shell thickness. This technique also allows to 
organize them in a three-dimensional scaffold by means of a rapid prototyping 
device called three-dimensional fiber deposition. This new type of shell-core and 
hollow fiber 3D scaffolds have shown to be instructive for tissue engineering and 
controlled drug release applications and might raise new interests as multifunctional 
constructs to better direct the faith of cells and of the developing tissues. 
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Abstract 
 

espite the periodical and completely interconnected pore network that 
characterize rapid prototyped scaffolds, cell seeding efficiency remains still a 
critical factor for optimal tissue regeneration due to the current resolution 

limits in pore size. We present here a novel three-dimensional (3D) scaffold 
fabricated by combining 3D fiber deposition (3DF) and electrospinning (ESP). 
Scaffolds consisted of integrated 3DF macrofiber periodical and ESP microfiber 
random networks (3DFESP), where the 3DF construction provides structural 
integrity and mechanical properties and the ESP network works as a “sieving” and 
cell entrapment system, at the same time offering cues at the extracellular matrix 
(ECM) scale. Primary bovine articular chondrocytes were isolated, seeded, and 
cultured for 4 weeks on 3DF and 3DFESP scaffolds to evaluate the influence of the 
integrated ESP network on cell entrapment and on cartilage tissue formation. 
3DFESP scaffolds showed a better cell entrapment as compared to 3DF scaffolds. 
This was accompanied by a higher amount of ECM (expressed in terms of sulphated 
glycosaminoglycans or GAG) and a significantly higher GAG/DNA ratio after 28 
days. SEM analysis of the constructs revealed a rounded cell morphology on 3DFESP 
scaffolds, whereas a spread morphology was observed on 3DF scaffolds, suggesting 
a direct influence of fiber dimensions on cell differentiation. Furthermore, also ESP 
surface topology influenced cell morphology. Thus, the integration of 3DF and ESP 
techniques provide a new set of “smart” scaffolds for tissue engineering applications. 
 
Keywords: rapid prototyping, electrospinning, scaffolds, cartilage, tissue engineering.   
 
Introduction 
 
Rapid prototyped (RP) scaffolds are quite promising in tissue engineering, as they 
can be custom-shaped with a completely interconnected pore network [1-3]. Several 
studies focused on the development of different rapid prototyping techniques [4-10] 
and on scaffolds optimization [11-14]. In all of these techniques, pore volume and 
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architecture can be designed in a CAD/CAM controlled manner, resulting in a 
modulation of scaffold’s mechanical properties [15] and in a proficient nutrient 
perfusion determinant for cell survival [16]. They can be comprised of different 
materials [17-20], they can combine gradients of porosities [21], and they can be 
designed to match specific tissue requirements, resulting in multifunctional constructs 
[20, 22, 23]. 
However, the scaffold’s pore resolution poses still a limit in cell seeding efficiency 
and tissue formation. The pore size of RP scaffolds are relatively large as compared 
to cells dimensions and a high number of cells are needed to obtain a sufficient 
number of attached cells that produce enough extracellular matrix to functionalize 
the tissue engineered construct. This eventually results in expensive and extensive 
cell isolation, culture, and expansion processes, which may hamper the clinical 
relevance of RP scaffolds. A possible way to improve cell seeding efficiency is to 
aggregate cells [24-26] prior to seeding them onto the scaffolds, so that cell clumps 
will be better entrap in the pores. Furthermore, cell aggregation is known to 
enhance cell-cell signaling [27], resulting in a better tissue formation [28]. Another 
possibility can be offered by introducing in RP scaffolds a micron scale fibril 
networks that have the double advantage to function as a “sieve” for cell 
entrapment and to provide extracellular matrix-like cues to cells. This can be 
achieved by integrating rapid prototyping with another novel technique like 
electrospinning (ESP). ESP fibers have typically dimensions varying from the nano- to 
the micro-scale, which results from the application of a high voltage electric field to 
a polymeric solution pumped into the field [29-31]. Depending on the pumping 
flow rate, the electric field intensity, and the polymer solution concentration, fibers 
of different diameter and surface topology can be obtained [31-34]. Furthermore, 
ESP scaffolds have been shown to influence cell proliferation rate and morphology 
depending on their size and surface texture [35-37].   
Therefore, the aim of this study was to combine a rapid prototyping fabrication 
technique like 3D fiber deposition (3DF) with electrospinning (ESP) to fabricate 
integrated macro- and μ-fiber polymeric scaffolds (3DFESP) and to assess the 
influence of the microfibrillar network on cell entrapment and differentiation into 
cartilage tissue. Three scaffolds construct were considered: 3DF scaffolds as such, and 
3DFESP integrated scaffolds with two different ESP network densities determined by 
varying the electrospinning time. Primary bovine articular chondrocytes were 
seeded on the scaffolds and cultured for 4 weeks. The distribution and the amount 
of cells and extracellular matrix present on the scaffolds were considered as 
determinants for a better scaffold performance. 3DF and 3DFESP scaffolds were 
fabricated with block-copolymers of polyethyleneoxide-terephtalate (PEOT) and 
polybutylene-terephtelate (PBT). These polyether-ester multiblock copolymers are 
thermoplastic elastomers which display good physical properties like elasticity, 
toughness and strength in combination with easy processability. These properties 
result mainly from a phase separated morphology in which soft, hydrophilic PEO 
segments at environmental temperatures are physically cross-linked by the presence 
of hard, semi crystalline PBT segments. In contrast to chemically cross-linked 
materials, these cross-links are reversible and will be disrupted at temperatures 
above their glass transition- or melting point, which gives the material its good 
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processability. This class of polymers have been extensively studied for in vitro and 
in vivo biocompatibility [38-41] and found commercial clinical applications 
(PolyActive™, IsoTis Orthopaedics S.A.) as cement stoppers and bone fillers in 
orthopedic surgery [42, 43]. Being polyether-esters degradation occurs in aqueous 
media by hydrolysis and oxidation, the rate of which varying from very low for 
high PBT contents to medium and high for larger contents of PEOT and longer PEO 
segments [44, 45]. Similarly, by varying the PEOT/PBT ratio and the length of the 
PEO segments, a series of copolymers can be attained covering a wide range of 
mechanical properties with different abilities to swell in aqueous media.   
 
Materials and Methods 
 
Materials Characterization 
 
Poly(ethylene oxide – terephthalate)/poly(butylene terephtalate) (PEOT/PBT) 
copolymers were obtained from IsoTis S.A. (Bilthoven, The Netherlands). The 
copolymer composition used in this study was 300PEOT55PBT45 where, following 
an aPEOTbPBTc nomenclature, a is the molecular weight in g/mol of the starting 
PEG blocks used in the copolymerization, while b and c are the weight ratios of the 
PEOT and PBT blocks, respectively. 
 
Scaffolds Fabrication   
 
3D fiber deposited-electrospun integrated (3DFESP) scaffolds were manufactured by 
combining a Bioplotter device (Envisiontec GmbH, Germany) and a home-
assembled electrospinning (ESP) apparatus. The Bioplotter is essentially an XYZ 
plotter device as previously described [6, 14]. Briefly, the polymers were put in a 
stainless steel syringe and heated at T = 190 °C through a thermo-stated cartridge 
unit, fixed on the “X”-mobile arm of the apparatus. When the molten phase was 
achieved, a nitrogen pressure of 5 Bars was applied to the syringe through a 
pressurized cap. Rectangular block models were loaded on the Bioplotter CAM 
(PrimCAM, Switzerland) software and deposited layer by layer, through the 
extrusion of the polymer on a stage as a fiber. The deposition speed was set to 300 
mm/min. Scaffolds were then characterized by the fiber diameter (through the 
nozzle diameter), the spacing between fibers in the same layer, the layer thickness 
and the configuration of the deposited fibers within the whole architecture. In this 
study, the nozzle internal diameter was 400 μm, the fiber spacing was set to 800 
μm, the layer thickness was set to 225 μm, and the scaffold architecture was 
determined by a 0-90 layer configuration where fibers were deposited with 90° 
orientation steps between successive layers. 
Electrospun fibrous networks were fabricated from a 20% w/v polymer solution in 
a 90%/10% v/v chloroform/hexafluoroisopropanol mixture. The ESP device consists 
of a high voltage (0-30 kV) generator (NCE 30000, Heinzinger Electronic Gmbh, 
Germany) connected to a syringe, where the polymer solution is contained, and to 
a collector plate. When a high voltage is applied, an electric field is formed between 
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the syringe needle (positive pole) and the collector (negative pole). The polymer 
solution is then pushed out of the syringe by a pump at variable flow rates 
depending on the electrostatic field strength. When the intensity of the electrostatic 
field is high enough to surpass the surface tension of the liquid drop at the tip of the 
needle, the drop is pulled out into a jetting filament and deposited as a dry fiber on 
the collector. The fibrous network is characterized by the voltage applied, the air 
gap (distance between the syringe needle and the collector plate), the pump flow 
rate, the syringe needle.  In our experimental set up the voltage was kept constant 
at 15 kV, the air gap was fixed at 15 cm, the flow rate at 0.39 ml/min, and the 
needle used had an internal diameter of 0.9 mm. 
 

 
Figure 1 – Schematic draw of the integration of 3DF and ESP fabrication techniques. 
 
3DFESP scaffolds were fabricated by electrospinning a fibrous network layer every 
two layers of 3D fiber-deposited mesh until a scaffold height of 4 mm was reached 
(figure 1). Two different network densities were used to evaluate its influence on cell 
entrapment and tissue formation. The ESP fiber density was determined as the time 
frame used during electrospinning. Specifically, 3DFESP scaffolds with a fibrous 
network spun for 2 minutes (3DFESP-2) and for 30 seconds (3DFESP-30) were 
considered.  
 
Scaffolds Characterization 
 
Cylindrical plugs of 4 mm in diameter by 4 mm in height were considered for 
characterization. The constructs were analyzed with a Philips XL 30 ESEM-FEG 
scanning electron microscopy (SEM). Samples were gold sputter (Carringdon) before 
SEM analysis. The porosity of 3DF scaffolds was calculated following the theoretical 
approach by Landers et al [6]: 
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where P is the scaffold porosity, d1 the fiber diameter, d2 the fiber spacing and d3 
the layer thickness.  
The porosity of ESP networks and 3DFESP scaffolds was experimentally measured by 
analyzing the mass and the volume of each structure, as: 
 

ρ
1

V
M

1P ⋅−=                                                                                                       (2) 

 
where, M and V are the measured mass and volume of the polymeric scaffolds, 
while ρ is the specific density of 300PEOT55PBT45 (1.2 g/cm3). 
3D scaffolds for culture experiments were sterilized in isopropanol (IPASEPT 70, 
VWR International) for 15 minutes, thoroughly washed with a phosphate buffered 
saline (PBS) solution (Gibco-BRL) three times, and incubated over night in culture 
medium prior cell seeding. 
 
Cell Seeding 
 
Chondrocytes were isolated via collagenase digestion from articular cartilage 
harvested from an 18-month old bovine knee joint. Primary cells were aggregated 
with 300 μg/ml of fibronectin (Invitrogen), statically seeded at a density of 3 
millions in 50 μl of medium and cultured on scaffolds for 1, 7, and 28 days (n=6). 
3DF, 3DFESP-2, and 3DFESP-30 scaffolds of 4 mm in diameter and 4 mm in height 
fabricated with 0-90 architecture were considered. The culture medium contained 
HEPES (Invitrogen)-buffered DMEM (Invitrogen) supplemented with 10% fetal 
bovine serum (FBS, Sigma-Aldrich), 0.2 mM ascorbic acid 2-phosphate (Invitrogen), 
0.1 mM non-essential amino acids (Sigma-Aldrich), 0.4 mM proline (Sigma-Aldrich), 
100 units/ml penicillin (Invitrogen), and 100 μg/ml streptomycin (Invitrogen). 
Constructs were cultured at 37 °C in a humid atmosphere with 5% CO2. Medium 
was refreshed twice a week and subsets of chondrocytes were used for further 
subculturing or cryopreservation upon reaching near confluence. Scaffolds were 
compared to evaluate the influence of the ESP network on chondrocytes 
entrapment in the pores, differentiation and morphology.  
 
Biochemical Analysis 
 
DNA and glycosaminoglycans (GAG) assay were performed after 1, 7, and 28 days 
of culture. Constructs were also digested overnight at 56 °C in a Tris-EDTA buffered 
solution containing 1 mg/ml proteinase K, 18.5 μg/ml pepstatin A, and 1 μg/ml 
iodoacetamide (Sigma-Aldrich). Quantification of total DNA was done with 
Cyquant dye kit according to the manufacturers description (Molecular Probes) 
using a spetrofluorometer (LS 50B, Perkin Elmer). GAG amount was determined 
spectrophotometrically (EL 312e Bio-TEK Instruments) after reaction with 
dimethylmethylene blue dye (DMMB, Sigma-Aldrich) by measuring absorbance at 
520 nm. The final amount was calculated using a standard of chondroitin sulphate B 
(Sigma-Aldrich).  
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Histology Analysis 
 
Samples were fixed overnight in 0.14 M cacodylate buffer (pH = 7.2 – 7.4) 
containing 1.5% glutaraldehyde (Merck). Scaffolds were subsequently dehydrated in 
sequential ethanol series, plastic embedded in glycol-methacrylate (Merck) and cut 
using a microtome to yield 5 μm sections. Slices were stained with safranin-O 
(Sigma-Aldrich) to visualize extracellular matrix (sulphated glycosaminoglycans - 
GAG), and counterstained with haematoxylin (Sigma-Aldrich) and fast green (Merck) 
to visualize cytoplasm and cells nuclei. Mounted slides were examined under a light 
microscope (Nikon Eclipse E400) and representative images captured using a digital 
camera (Sony Corporation, Japan) and Matrix Vision software (Matrix Vision 
GmbH, Germany). Tissue constructs on scaffolds were also analyzed by SEM. 
Specimens were fixed and dehydrated as described above and critical point dried 
from liquid carbon dioxide using a Balzers CPD 030 machine. Samples were then 
gold sputtered and studied under the SEM.  
 
Statistical Analysis 
 
Statistical Analysis was performed using a Student’s t-test, where the confidence level 
was set to 0.05 for statistical significance. Values in this study are reported as mean 
and standard deviation.  
 
Results 
 
Scaffolds Characterization 
 
The surface and cross section of 3DFESP scaffolds is illustrated in figure 2. SEM 
analysis revealed a fiber diameter of 268 ± 32 μm, a fiber spacing of 807 ± 28 μm, 
and a layer thickness of 227 ± 20 μm for the 3DF scaffolds, and a fiber diameter of 
10 ± 2.8 μm for the ESP network. This corresponded to a porosity of 69 ± 3% for 
the 3DF scaffolds, and to a porosity of 94 ± 1.6% for the ESP network. The 
porosity of the integrated 3DFESP scaffolds was measured as 50 ± 3%. The 
scaffolds produced were 100% interconnected porous structures and no layer 
delamination phenomenon occurred. 
 

   
Figure 2 – SEM micrographs of the surface (a, b) and of the cross section (c) of 3DFESP scaffolds. (a) ESP 
network spun for 2 minutes every two 3DF deposited layers (3DFESP-2); (b) ESP network spun for 30 
seconds every two 3DF deposited layers (3DFESP-30); (c) cross section of a 3DFESP-30 scaffold. (a, b) 
scale bar: 200 μm; (c) scale bar: 500 μm. 
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Cell Entrapment & Tissue Formation 
 
During the 4 weeks of culture on the 3DF and on the 3DFESP scaffolds, DNA 
amount and GAG formation were measured. Figure 3 shows the DNA amount for 
the different scaffolds considered in the study. At day 1 DNA significantly increased 
from 3DF to 3DFESP-2, suggesting a better cell entrapment in the pores of the 
3DFESP scaffolds. With increasing ESP network density, DNA did not significantly 
change. Specifically, DNA was measured as 5.21 ± 0.94 μg for 3DF, 7.57 ± 1.86 μg 
for 3DFESP-30, and 7.81 ± 1.08 μg for 3DFESP-2 scaffolds. At day 7 a similar trend 
was found and the increase for 3DFESP-2 was significantly different as compared to 
3DF scaffolds, indicating that cells were still more efficiently retained in the 
integrated scaffolds during the proliferation time. The cell amount, however, was 
found to be comparable between the scaffolds after 4 weeks of culture. This might 
imply a redistribution of the cells in the constructs due to extracellular matrix 
formation. 
More interestingly, the GAG amount increased in the whole culture period with the 
same trend as for DNA, suggesting a better tissue formation in the integrated 
scaffolds as depicted in figure 4. The increase was significant for 3DFESP as 
compared to 3DF scaffolds all over the culture period. Specifically, GAG increased 
from 160.29 ± 46.43 μg for 3DF, to 321.1 ± 77.86 μg for 3DFESP-30, and to 
316.84 ± 75.93 μg for 3DFESP-2 scaffolds over a month. Even more interestingly, a 
higher degree of differentiation was found for chondrocytes cultured on 3DFESP 
scaffolds, as shown in figure 5 from the GAG/DNA ratio. GAG/DNA significantly 
increased in 3DFESP scaffolds as compared to 3DF scaffolds alone during the month 
of culture. In particular, the increase was measured at day 1 as 4.37 ± 2.13 for 3DF, 
5.87 ± 1.11 for 3DFESP-30, 7.24 ± 1.59 for 3DFESP-2 scaffolds. At day 28 
GAG/DNA ratios reached 22.23 ± 4.18 for 3DF, 54.26 ± 12.72 for 3DFESP-30, and 
54.77 ± 8.11 for 3DFESP-2. 
A better chondrocytes differentiation into cartilage tissue in 3DFESP scaffolds can be 
also qualitatively detected by SEM analysis. After 28 days of culture, chondrocytes 
appeared completely spread and attached to the big fibers of 3DF scaffolds (figure 
6A), whereas they remained aggregated and maintained a rounded shape 
morphology in 3DFESP scaffolds (figures 6B and 6C). This is already evident after 1 
day of culture, when chondrocytes in contact with big 3DF fibers attach and spread 
on their surface, while chondrocytes entrapped in the small  ESP fiber network keep 
their rounded morphology (figures 6D and 6E), suggesting an effect of the fiber size 
on cell morphology. Extracellular matrix formation can be also detected, as shown 
in figure 6F, and was confirmed by histology where the formed tissue responded to 
safranin-O staining (figure 7).  
 
Discussion 
 
3DFESP integrated scaffolds were successfully produced by combining two novel 
scaffold fabrication technologies: 3D fiber deposition and electrospinning. The 
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Figure 3 – DNA assay on 3DF, 3DFESP-2, and 3DFESP-30 scaffolds after 1, 7, and 28 days of culture. (*) 
shows significant differences with respect to 3DF scaffolds (p<0.05). 
 
 

 
Figure 4 – GAG assay on 3DF, 3DFESP-2, and 3DFESP-30 scaffolds after 1, 7, and 28 days of culture. (*) 
indicates significant differences with respect to 3DF scaffolds (p<0.05).   
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Figure 5 – GAG/DNA ratio on 3DF, 3DFESP-2, and 3DFESP-30 scaffolds after 1, 7, and 28 days of culture. 
(*) depicts significant differences with respect to 3DF scaffolds (p<0.05). 
 

   

   
Figure 6 – SEM pictures show chondrocytes distribution and morphology on 3DF (a), 3DFESP-30 (b, d), 
and 3DFESP-2 (c, e, f) scaffolds. After 28 days scaffolds pores were bridged by cells (a-c) and ECM (f). 
Chondrocytes were spread on 3DF scaffolds (a) and maintained their rounded morphology on 3DFESP 
scaffolds (b, c). Cell morphology was influenced by the fiber diameter (d, e) already at day 1. (a-d) scale 
bar: 200 μm; (e) scale bar: 100 μm; (f) scale bar: 20 μm. 
 
scaffolds were characterized by a periodically interspersed network of rapid 
prototyped macrofibers and electrospun microfibers. Scaffolds with macrofibers of 
approximately 300 μm and microfibers of approximately 10 μm were used in this 
specific study. No delamination between layers of 3DF fibers or layers of 3DF and 
ESP fibers occurred, resulting in a stable scaffold construct. Moreover, being the 
integration principles adopted in this study relatively simple, such a system can be 
extended to different kind of polymers and other rapid prototyping devices. Further 
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investigations could also focus on the combination of different fiber diameter and 
surface texture. The two techniques offer, in fact, a wide versatility and range of 
solutions. The resolution limit of 3DF is currently 100 μm and can be further 
downscaled by improving – for example – the extrusion mechanism [46, 47], while 
 

   

   
Figure 7 – Histological cross sections show sulphated GAG formation in 3DF (a), 3DFESP-30 (b), and 
3DFESP-2 (c) scaffolds by safranin-O staining. Inserts show staining in the middle of the scaffolds (d, e) 
and close to the ESP micron-size fibers (f). Differences in 3DF and ESP fiber coloration are due to partial 
or total dissolution of PEOT/PBT in the embedding material (glycol-methacrylate). C indicates cartilage 
formation (GAG), 3DF refers to the macro fibers, while ESP to the micro fibers. Scale bar: 100 μm.  
 
ESP fibers can be downscaled to few tenths of nanometers [48-50]. Furthermore, 
electrospun fibers can be fabricated with different surface morphology [32, 37, 51] 
and were shown to influence cell proliferation and morphology [37]. For instance, 
we also integrated in 3DF scaffolds an ESP network of nanoporous fibers with a 
fiber diameter of 10 μm and rounded shaped nanopores of 220 nm. Seeded 
mesenchymal stem cells were found to attach, spread, and proliferate most 
preferably on the electrospun fibers, while almost no cell adhered to the 3DF 
macrofibers (figure 8). Another interesting possibility is the direct integration of the 
two techniques in a single apparatus, since electrospinning of molten polymers has 
been successfully demonstrated [30] and characterized [52] by Larrondo et al. We 
have started to look into this direction and we could extend molten polymer 
electrospinning to PEOT/PBT copolymers, as shown in figure 9. However, more 
efforts need to be put in the insulation of the rapid prototyping robot from the 
electrospinning high voltage collector. Yet, the combination of these varieties might 
give origin to multifunctional structures useful in application where a hierarchical 
structure and a time response of such a construct are desired.         
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Figure 8 – SEM micrographs showing (a) the nanopore surface topology of the ESP fibers and (b) stem 
cells selective attachment and spreading on the 10 μm nanoporous electrospun network, which suggests 
an influence of fiber nanoporosity on cell morphology and a cell-fiber size preferential interaction. Scale 
bar: 500 μm. 
 
 

 
Figure 9 – SEM micrographs of molten-electrospun 300PEOT55PBT45. Scale bar: 200 μm. 
 
As an example to show their improved functionality, these cellular structures were 
used as scaffolds for cartilage tissue engineering. Bovine primary chondrocytes were 
cultured for one month on 3DF and 3DFESP scaffolds with different ESP network 
density. Cells were better retained in 3DFESP. This can be deputed to the “sieving” 
effect of the ESP integrated network, which entraps cells within the scaffolds. The 
entrapment efficiency of 3DFESP constructs was enhanced after cell seeding and 
during cell proliferation (day 7), since the increase in DNA amount was significant as 
compared to 3DF scaffolds alone. Furthermore, a homogeneous distribution of cells 
could be detected throughout the entire scaffold. Therefore, it can be inferred that 
the pores of the electrospun network are accessible and do not obstruct cell 
migration in the scaffold. However, after 4 weeks DNA decreased in the 3DFESP 
scaffolds. This might be due to a redistribution of cells in favor of a higher 
extracellular matrix production, as also supported by a higher GAG formation in the 
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combined constructs. The production of more GAG can also be attributed to a 
better cell differentiation in the 3DFESP scaffolds, as analyzed by SEM and 
quantitatively confirmed by the GAG/DNA ratio. In fact, chondrocytes appeared to 
maintain a rounded morphology when in contact with smooth microfibers and 
started to spread already after 1 day only when in contact with smooth macrofibers 
(figure 6D and 6E). It is known that when chondrocytes maintain their natural 
spherical shape they produce more GAG and a higher collagen type II versus 
collagen type I ratio [53-56]. This is partly corroborated by the GAG/DNA ratio, 
which determines how much GAG is produced per cell. A higher value of this ratio 
implies a higher degree of differentiation of the cells. Therefore, a better articular 
cartilage tissue formation can be expected from the 3DFESP constructs. No 
significant difference was found by varying the ESP network density. A comparable 
amount of DNA was found during the cell attachment (day 1) and proliferation (day 
7) stages when a higher density network (3DFESP-2) was integrated as compared to 
a lower density network (3DFESP-30). This was also reflected in a similar GAG 
formation and a comparable GAG/DNA ratio. Therefore, no implications between 
the density of the network chosen in this study and the efficiency of the cell 
“sieving” and entrapment effect can be drawn. These results make of 3DFESP a very 
promising new type of scaffolds for cartilage tissue formation. Since they combine a 
macrostructure that provides the required mechanical properties and a 
microstructure that supplies topological cues at the extracellular matrix level, 
3DFESP scaffolds can also find applications for other engineered tissue. Furthermore, 
the possibility to incorporate biological factors in the ESP network [57, 58] gives the 
possibility to control layer by layer the differentiation of cell and the formation of 
hierarchically structured tissues.  
 
Conclusion 
 
A novel type of scaffold (3DFESP) that combines a periodical rapid prototyped 
macrostructure with a random electrospun microstructure integrated in the same 
construct has been fabricated, characterized and evaluated for cartilage tissue 
engineering. 3DFESP showed a higher amount of entrapped cells during attachment 
and proliferation and a higher amount of extracellular matrix produced after 4 
weeks of culture as compared to 3DF scaffolds alone. Furthermore, a better cell 
differentiation was supported by these constructs, as shown by the GAG/DNA ratio 
and by SEM analysis. Chondrocytes maintained their rounded morphology in 
3DFESP scaffolds while they spread in 3DF scaffolds. Being the two fabrication 
technologies versatile to process different kind of materials with a number of 
topological superficial cues, these new kinds of scaffolds can be used to create 
different multifunctional 3D matrices that will improve the current status of tissue 
engineering applications. 
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Abstract 
 

caffolds for osteochondral tissue engineering should provide mechanical stability 
when implanted in a joint, at the same time offering to the cells signals specific 
for chondral and bone regeneration and an open, accessible, and completely 

interconnected pore network for their attachment, proliferation, and migration. 
Biomaterial composites of polymers and ceramics are often considered to satisfy 
these requirements, but generally their synthesis may results in poor chemical 
bonding, despite the maintained or improved tissue forming properties. This may 
affect their mechanical properties and processability into 3D scaffolds. Therefore, the 
aim of this study was to design and fabricate hybrid 3D scaffolds with a novel 
concept based on biomaterials assembly. Rapid prototyped biphasic-calcium 
phosphate (BCP) ceramic particles were integrated into the pores of a polymeric 3D 
fiber-deposited matrix (3DFM) and infused with demineralised bone matrix (DBM) 
to obtain a construct that displays the mechanical robustness of ceramics and the 
flexibility of polymers and DBM foams. Results showed that the mechanical 
properties of these constructs could be modulated depending on the ceramic particle 
design while maintaining completely interconnectivity and accessibility of their pore 
network, characteristic of rapid prototyped structures. An ostechondral scaffold was 
then proposed by directly manufacturing a 3D fiber-deposited (3DF) structure 
optimized for cartilage regeneration on top of the bone hybrid scaffold. The two 
compartments were interlocked by a system of intertwined concentrical fibers 
mimicking the tidemark region. These 3D scaffolds can be used for osteochondral 
tissue engineering as they couple mechanical stability and a fully open pore network 
to the chondral and bone forming properties of the single biomaterials combined in 
the assembly. 
 
Keywords: rapid prototyping; assembly; ceramics; polymers; tissue engineering. 
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Introduction 
 
Osteochondral defects are typically derived from congenital diseases or traumatic 
events in young patients and from osteoarthritis in old individuals. This results in 
associated pain and joint instability. Although bone tissue has the capacity for 
regenerative growth, bone repair is impaired in many pathological situations and 
cartilage has a poor capacity to regenerate itself due to its avascular nature and to its 
intrinsic composition. Therefore, there is a critical need to develop technologies to 
promote bone and chondral healing. Autografts are used most to treat 
osteochondral defects. However, their clinical use involves some difficulties like 
septic complications, viral transmission, and patient morbidity in the location where 
new tissue is taken [1, 2]. A possible solution in terms of availability would be the 
use of allografts. Yet, these may be associated to risks of disease transmission, and 
difficulties in shaping. A significant additional limitation of allografts is related to a 
delay in remodelling by the host for the bony part and to a lack of integration with 
the surrounding tissue in the chondral site. Furthermore, in case of very large defects 
the allograft may remain in the implant site throughout the patient’s life, creating an 
area more prone to fracture or infection [3-5].   
These issues have justified the development of 3D scaffolds employed in a tissue 
engineering approach, which are an attractive alternative when used alone or in 
combination with cells to restore the joint functionality [5-7]. Osteochondral 
scaffolds typically comprise a cartilage and a bone compartment. The chondral 
scaffold is generally formed by polymeric foams or textile meshes [8-13], while bone 
substitutes includes either biomaterials mimicking the composition of bone, i.e. 
calcium phosphate ceramics simulating the bone mineral composition [14-17] or 
demineralized bone matrices (DBMs) matching the organic composition [18-21]. 
Despite the fact that these materials have demonstrated satisfying cartilage and bone 
forming capacities, their mechanical properties may not be always optimal for 
implanting in load bearing sites. In particular for the bony site, under high loads 
ceramics are often too brittle and can be subject to fracture, whereas DBMs are very 
flexible and may require the patient to be temporarily immobilised. A possible 
solution to overcome the mechanical drawbacks displayed by ceramics and DBMs is 
to combine and integrate them with a polymeric matrix. Studies to date have 
focused on the incorporation of ceramics and polymers by interspersing the 
polymeric phase into the ceramic one – and vice versa – to finally obtain a 
homogeneous composite scaffold [22-26]. However, this often results in scaffolds 
with poor polymeric-ceramic bonding and limited control over composite 
processability and mechanical properties. Furthermore, during the interspersion of 
the two phases some of the pores can be blocked, typically due to the use of 
solvents, resulting in a reduction of the scaffold’s pore interconnectivity [4, 22]. In 
this respect, rapid prototyping techniques can offer an optimal solution in terms of 
modulating mechanical properties, as they demonstrated to effectively control the 
structural parameters of 3D scaffolds [27-30]. Moreover, these techniques can 
process a number of different biomaterials and require a minimal or no use of 
solvents.  
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Therefore, the aim of this study was to design, fabricate, and characterize tri-phasic 
hybrid scaffolds with a novel concept where the biomaterials are not chemically or 
physically bonded, but assembled in a single 3D construct with preserved pore 
network accessibility and interconnectivity. By integrating different rapid 
prototyping technologies and freeze-drying, it was possible to create scaffolds for 
osteochondral tissue engineering, where the chondral scaffold was directly 
connected to the bone compartment by 3D fiber-deposition (3DF). In particular, we 
focused on the mechanical improvement of the bony part of the scaffold. This was 
formed by a flexible polymeric porous matrix, into the pores of which ceramic 
particles of designed shapes were “captured” or press-fitted. The constructs were, 
then, infused in a DBM gel and freeze-dried to obtain a foamy interspersed phase 
that acted as mechanical “cushion” at the same time providing further bone 
regeneration properties. The bone scaffold was finally interlocked to an optimized 
3DF scaffold for cartilage regeneration [31, 32] through a fibrous system made of 
intertwined concentric polymeric fibers, mimicking the tidemark area of the 
osteochondral natural architecture.  
Block-copolymers of poly(ethylene oxide – terephthalate)/poly(butylene 
terephtalate) (PEOT/PBT) have been used to fabricate the polymeric matrix. These 
polyether-ester block copolymers are biodegradable thermoplastic elastomers, which 
have favorable physical properties such as elasticity, toughness and strength in 
combination with easy processability [33-35]. PEOT/PBT copolymers have 
demonstrated to have a satisfactory biocompatibility both in vitro and in vivo [36-
38] and reached clinical applications (PolyActive™, IsoTis Orthopaedics S.A.) as 
cement stoppers and bone fillers in orthopedic surgery [39, 40]. Biphasic calcium 
phosphate (BCP) was used as a ceramic, given the osteoconductive and 
osteoinductive properties depending on its physicochemical properties and 
microstructure [41-45]. BCP is obtained by sintering a calcium deficient apatite 
above 700 °C. It consists of a more stable hydroxyapatite (HA) Ca10(PO4)6(OH)2 
phase and of a more soluble beta-tricalcium phosphate (β-TCP) Ca3(PO4)2 phase. By 
controlling the ratio of the two phases, it is possible to optimize the release of 
calcium and phosphate ions from the soluble β-TCP phase in the body, which 
contributes to the formation of new bone. Demineralized bone matrices (DBM) are 
normally obtained by acid extraction of the mineralized component of bone, while 
maintaining the collagen and non-collagenous proteins. Among these proteins an 
important role in DBMs osteoinductivity is played by the presence of morphogenic 
factors, which contributes to direct the differentiation of local mesenchymal stem 
cells into the osteogenic lineage [46-48]. Since the hybrid constructs proposed here 
hypothetically combine the flexibility of polymers and DBMs with the mechanical 
strength of ceramics while maintaining the individual osteochondral formation 
capacities of PEOT/PBT copolymers, DBMs, and ceramics, they could find 
applications as tissue-engineered based scaffolds in load bearing sites. 
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Materials and Methods 
 
Materials Characterization 
 
Poly(ethylene oxide – terephthalate)/poly(butylene terephtalate) (PEOT/PBT) 
copolymers, solubilized demineralized bone matrix (DBM), and biphasic calcium 
phosphate (BCP) powder were obtained from IsoTis Orthopaedics S.A. (Bilthoven, 
The Netherlands). The copolymer composition used in this study were 
1000PEOT70PBT30 for the 3DFM matrix of the bone compartment and 
300PEOT55PBT45 for the cartilage compartment of the osteochondral scaffold 
where, following an aPEOTbPBTc nomenclature, a is the molecular weight in g/mol 
of the starting PEG blocks used in the copolymerization, while b and c are the 
weight ratios of the PEOT and PBT blocks, respectively. 
 
Design of the Bone Compartment Scaffolds   
 
Tri-phasic scaffolds were fabricated by assembling BCP, 1000PEOT70PBT30, and 
DBM into monolithic constructs for the bone compartment of the osteochondral 
scaffold. Two different designs (A and B) were chosen to realize scaffolds. Design A 
consisted in fabricating a PEOT/PBT 3D fiber-deposited matrix (3DFM) that was 
used as a carrier for BCP rapid prototyped particles, which were press fitted into the 
scaffold pores. BCP particles were of pillar (side: 1.6 mm; height: 4.3 mm), 
truncated cone (large base diameter: 2 mm; small base diameter: 1.6 mm; height: 4 
mm), spherical (diameter: 1.8 mm) and irregular (between 1.4 mm and 2 mm in 
their maximum dimension) shapes (figure 1a). More spherical and irregular particles 
were press fitted in the pores of the 3DFM scaffolds until covering the total thickness 
of the polymeric matrix. Different ceramic particle shapes were considered to assess 
the optimal amount of included BCP and the influence of the particle geometry on 
mechanical properties, while maintaining the flexibility of the construct. The 3DFM 
scaffold had a block shape, with a square base of 10 mm, and a height of 3.15 mm. 
Since 1000PEOT70PBT30 is known to swell in an aqueous environment [33-35], the 
scaffolds were under dimensioned to match exactly the BCP designed particles in a 
wet milieu. 
In design B, a BCP cylinder (5 mm in diameter by 3 mm in height) was pre-soaked 
in a DBM gel (2.6% w/v in a 4.75% v/v methanol in demineralized water solution) 
and subsequently lyophilized. The cylinder was “sandwiched” by two discs of DBM 
foam (5 mm in diameter by 1 mm in height) and the construct was inserted in a 
hollow cylindric container of PEOT/PBT made by three-dimensional fiber deposition 
(figure 1b). The polymeric hollow cylinder had an outer diameter of 6 mm, a wall 
thickness of 1 mm and a height of 6 mm. In both design A and B, the whole 
constructs were immersed again in the DBM gel and freeze-dried. Figure 1 illustrates 
the principle of the assembling procedure. 
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Fabrication of the Bone Compartment Scaffolds 
 
Polymeric 3DFM Matrix   
 
1000PEOT70PBT30 3DFM scaffolds were manufactured with a Bioplotter device 
(Envisiontec GmbH, Germany), essentially an XYZ plotter device as previously 
described [35]. The device was modified to extrude highly viscous polymeric fibers. 
The polymer was put in a stainless steel syringe and heated at T = 190 °C through a 
thermoset cartridge unit, fixed on the “X”-mobile arm of the apparatus. When the 
molten phase was achieved, a nitrogen pressure of 5 bars was applied to the syringe 
through a pressurized cap. The scaffold models were loaded on the Bioplotter CAM 
(PrimCAM, Switzerland) software and deposited layer by layer, through the 
extrusion of the polymer on a stage as a fiber. The deposition speed was set to 300 
mm/min. Scaffolds were then characterized by the fiber diameter (through the 
nozzle diameter), the spacing between fibers in the same layer, the layer thickness 
and the configuration of the deposited fibers within the whole architecture. In 
design A, the nozzle used was a stainless steel Luer Lock needle with internal 
diameter (ID) of 400 μm, shortened to a length of 16.2 mm. The fiber spacing was 
set to 1650 μm, while the layer thickness to 225 μm. A 0-90 scaffold architecture 
was chosen, where fibers were deposited with 90° orientation steps between 
successive layers. In design B, the hollow cylindrical scaffold was fabricated with a 
similar nozzle with respect to design A, but with a smaller ID of 250 μm. The fiber 
spacing was decreased to 600 μm, and the layer thickness to 150 μm, while the fiber 
deposition architecture was maintained as a 0-90 architecture. 
 
Ceramic Particles 
 
Porous BCP designed particles were fabricated by an indirect rapid prototyping 
technique. First negative masks were designed with CAD/CAM software 
(Rhinoceros®) and fabricated with an acrylic photopolymerizable resin by 
photolithography (PreFAB, Envisiontec, Germany). The masks were then filled with 
a BCP slurry made by adding 32.8 grams of calcinated BCP powder (20 hours in an 
oven at 1000 °C), 14.2 grams of non calcinated BCP powder, 20 grams of 
demineralized water, 1.2 grams of methylcellulose solution (2% w/v methylcellulose 
in demineralized water), 2.2 grams of ammonia, and 14.1 grams of 300 – 500 μm 
sieved naphthalene particles, resulting in a 30% macro porosity of the BCP particles. 
The components were blended and vigorously stirred with a mixer for 
approximately 30 minutes, until a homogeneous slurry was obtained. The BCP 
particles were then obtained by debonding and sintering in a furnace (Nabertherm, 
Germany) at T = 1150 °C. Irregular BCP particles with an average size between 1.4 
mm and 2 mm were also used. These latter particles were fabricated by hydrogen 
peroxide foaming, as described elsewhere [16]. BCP particles were press fitted in the 
pores of the 3DF matrix by exploiting the swelling behavior of 1000PEOT70PBT30. 
The polymeric matrix was left in demineralized water for 24 hours to allow swelling 
prior to insertion of the BCP particles. 
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3D Hybrid Scaffold Assembly 
 
DBM gel was obtained by mixing 2 grams of DBM powder into 80 grams of 
methanol solution (4.75% volume/volume in demineralized water). DBM foams 
were fabricated by placing the gel in square molds and freeze-drying (Virtis 25 SRC, 
The Netherlands). The scaffolds were finally immersed in the DBM gel and placed 
for 1 hour under vacuum (0.01 mbar) to let the gel impregnate the porous 
polymeric matrix and the BCP particles. After infiltration the final construct was 
freeze-dried to obtain a porous DBM matrix infiltrating and surrounding the 
scaffolds. This resulted in a final hybrid scaffold thickness of approximately 6 mm for 
each design. 
 
3D Osteochondral Scaffolds Fabrication 
 
The 300PEOT55PBT45 cartilage compartment of the osteochondral scaffold was 
deposited directly on top of the bone assembled 3D hybrid scaffold by 3DF. In a 
similar process to what previously explained, the polymer was placed in the 
extrusion syringe and heated through the thermoset cartridge to reach its molten 
state at T = 210 °C. A nitrogen pressure of 5 bars was applied to extrude the 
polymeric fibers from a nozzle with an ID of 250 μm and a length of 16.2 mm. The 
fiber spacing was set to 600 μm, and the layer thickness to 150 μm, while the fiber 
deposition architecture was maintained as a 0-90 architecture. The fibers were 
deposited at a speed of 230 mm/min. Since the two PEOT/PBT compositions (bone 
= 1000PEOT70PBT30 – cartilage = 300PEOT55PBT45) have different swelling 
properties, osteochondral scaffolds with and without an interlocking fibrous system 
were fabricated to assess the interface resistance of the construct. The interlocking 
system was made of intertwined concentric 1000PEOT70PBT30 and 
300PEOT55PBT45 fibers at the interface between the bone and the chondral parts 
of the construct. The concentric fibers were extruded from needles with ID and 
length as above described. The fiber spacing was set to 800 μm, and the layer 
thickness to 135 μm. The fiber spacing was chosen to obtain a precise interlock of 
the fibers after swelling. The resulting osteochondral scaffolds had a diameter of 6 
mm and a height of approximately 8 mm.  
 
Scaffolds Characterization  
 
Cylindrical plugs of 6 mm in diameter by 8 mm in height were taken as samples for 
characterization. The constructs were analyzed with an optical microscope (OM) to 
assess their integrity over time and by scanning electron microscopy (SEM) analysis 
with a Philips XL 30 ESEM-FEG. Samples were gold sputter coated (Carringdon) 
before SEM analysis.  
The porosity of the 3DF cartilage scaffold and of the bone scaffold in its separated 
components and as a final whole construct was experimentally measured by 
analyzing the mass and the volume of each structure, as: 
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ρ
1

V
M

1P ⋅−=                                                                                                       (1) 

 
where M and V are the measured mass and volume of the scaffolds components, 
while ρ is the specific density of the materials (1.25 g/cm3 for 1000PEOT70PBT30, 
3.15 g/cm3 for BCP, and assumed to be 1 g/cm3 for DBM, since the mineral 
component was extracted). The composition of BCP particles was analyzed by x-ray 
diffraction (XRD) (Rigaku Miniflex, China) and Fourier Transform Infrared analysis 
(FTIR) (Spectrum 1000, Perkin Elmer, USA). 
For the bone hybrid construct, the weight and volume percentage of BCP included 
in each scaffold was also measured as the ratio between the BCP particles weight 
and volume and the weight and volume of the final construct, respectively (table 1). 
 
Mechanical Characterization of the Bone Hybrid Scaffolds 
 
A DMA instrument (Perkin Elmer 7e) was used to evaluate the bending and 
compressive dynamic stiffness of the 3D assembled scaffolds of the bone 
compartment and of the single biomaterials used. In the dynamic bending test, three 
slabs of 15 mm in length by 5 mm in width by 6 mm in height were used as samples. 
In the case of the hybrid constructs, only scaffolds from design A were tested in the 
bending configuration as the intrinsic construction of scaffolds in design B did not 
allow for their bending characterization. A 3-point bending test was chosen for the 
characterization. Scaffolds were loaded with a dynamic force varying from 350 mN 
to 450 mN. A ramp of 5 mN/min at a constant frequency of 1Hz was applied. A 
lower range of forces was applied with respect to the compressive dynamic test to 
prevent sample deformation that impinged with the test setting. 
In the compressive dynamic test, for each hybrid design and for each single 
biomaterial used three cylindrical samples of 6 mm in diameter by approximately 6 
mm in height were tested. Cylindrical fixtures were chosen to test the specimens and 
evaluate their behavior as a whole structure along their compression axis, in the “z-
direction”. Scaffolds were loaded with a dynamic force varying from 3.5N to 4.5N. 
A ramp of 50mN/min at a constant frequency of 1Hz was used. In the two test 
configurations, the dynamic stiffness, or storage modulus E’, was calculated in the 
elastic region of the composites. The theoretical modulus as proposed by the Reuss-
Voigt model for a composite was also calculated [49, 50]. In this case we assumed 
the ceramic particles as mainly oriented along the longitudinal direction where 
compression occurs. The modulus can then be calculated as: 
 

mmii VEVEE +=                  (2) 
 
Where E is the modulus of the final construct, Ei and Vi are the modulus and the 
volume fraction of the inclusions (here considered as the BCP particles), while Em 
and Vm are the modulus and the volume fraction of the polymeric matrix. 
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The stress and deformation at break were measured with a Zwick Z050 mechanical 
testing apparatus (Zwick, Germany), in a failure test under compression with a 
crosshead speed of 1mm/min. 
 
Statistical Analysis 
 
Statistical Analysis was performed using a Student’s t-test, where the confidence level 
was set to 0.05 for statistical significance. Values in this study are reported as mean 
and standard deviation. 
 
Results 
 
Bone Scaffolds Characterization 
 
Figure 1 introduces the principles of scaffold assembly for designs A and B for the 
bone compartment of the osteochondral scaffold. The constructs were 
macroscopically examined by OM and found to keep their integrity both in a dry 
and in a wet (immersed in PBS) environment, after fabrication. The characteristic 
dimensions of 3DFM scaffolds – namely fiber diameter and spacing, and layer 
thickness – showed to be in good correlation with the parameters set on the device 
software. No fiber delamination occurred after BCP and DBM assembly. Shrinkage 
following sintering of BCP particles was shown to vary from 7 ± 0.7% to 18 ± 
1.9%. The composition of the BCP particles was analyzed by XRD and was 
comprised of 24.6% of tricalcium phosphate (TCP) and 75.4% of hydroxyapatite 
(HA). FTIR spectra showed the typical pattern of BCP (not shown), as also described 
elsewhere [43].  
Figure 2 shows the cross section of the assembled scaffold and the micro porosity of 
the BCP particles of a typical scaffold as in design A, analyzed by SEM. Table 1 
introduces the weight and volume percentage of BCP included into the 3D 
PEOT/PBT matrix, depending on the particles geometry. The pillar particles were 
found to fit better in the pores of the 3DFM scaffolds, resulting in a maximum BCP 
weight percentage of 61 ± 3.15%, which corresponded to a volume fraction of  
27.98 ± 0.81%. Figure 3 illustrates the cross section of a design B construct analyzed 
by SEM, where the macro porous structure of the BCP cylinder can be seen after 
DBM immersion (figure 3a). A particular section of the whole hybrid construct is 
depicted in figure 3b and shows the scaffold composition after assembling. For both 
the designs, a final infusion in a DBM gel was performed to ensure the integration of 
the different components assembled in the scaffolds, as previously described. The 
final constructs had a pore distribution from 1.43 ± 1.25 μm to 1351 ± 2.4 μm and 
a total porosity of 79.35 ± 1.9% in design A, and a pore distribution from 1.43 ± 
1.25 μm to 531 ± 237 μm and a total porosity of 88.95 ± 1.26% in design B. Table 
2 summarizes the pore size and porosity of the two presented scaffold designs. 
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Figure 1 – Schematic draw of the scaffold process fabrication for (a) design A and (b) design B. (b) Insert 
in design B shows an optical micrograph of the porous structure of the 3DF hollow cylinder; scale bar: 
400 μm. P = Pillar; TC = Truncated Cone; S = Spherical.  
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Figure 2 – SEM micrographs of design A integrated 3D hybrid scaffolds. (a) BCP particles inserted in the 
pores of a 3DF 1000PEOT70PBT30 matrix. (b) microstructure of ceramic particles sintered at T = 1150 °C. 
Scale bar: (a) 500 μm; (b) 10 μm. Pillar particles are shown here as an exemplification. 
 

  
Figure 3 – SEM micrographs of design B integrated 3D hybrid scaffolds. (a) BCP cylinder infused with 
DBM after freeze drying. (b) particular section of the whole construct after insertion of the two DBM 
foamy discs and the infused BCP cylinder in the hollow 3DFM scaffold and final DBM infusion and 
lyophilization shows the integration of all the components. Scale bar: 1 mm. 
 
Osteochondral Scaffolds 
 
Figure 4 shows the osteochondral constructs with and without the interlocking 
system. Due to the different swelling properties of the two PEOT/PBT compositions 
(bone = 1000PEOT70PBT30 – cartilage = 300PEOT55PBT45), instability at the 
interface of the two compartments may occur (figure 4a). Therefore, an interlocking 
fibrous system made of intertwined concentric 1000PEOT70PBT30 and 
300PEOT55PBT45 fibers was deposited at the interface between the bone and the 
chondral parts of the construct (figure 4b and 4c). SEM analysis revealed a fiber 
diameter d1 of 170 ± 15 μm, a fiber spacing d2 of 605 ± 12 μm, and a layer 
thickness d3 of 148 ± 10 μm for the cartilage compartment scaffolds. This 
corresponded to a porosity of 74 ± 2% and, consenquently, to a dynamic stiffness 
of approximately 13 MPa, as calculated from previous studies [31]. 
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Table 1 – BCP weight percentage included in the assembled scaffolds depending on particle design. 
 

 

 

 

 
Table 2 – Pore size and porosity distribution of the single components and of the final scaffold constructs. 
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Figure 4 – Optical microscopy images of the osteochondral 3D scaffolds without (a) and with (b) the 
interlocking concentric fiber system (c) under forceps solicitation. Scale bar: 1 mm. 
 
Mechanical Characterization of the Bone 3D Scaffolds 
 
The 3D hybrid scaffolds fabricated for the bone compartment of the osteochondral 
construct were mechanically characterized by measuring the bending and 
compressive storage modulus (or dynamic stiffness, E’) and the breaking stress and 
strain. In design A, the bending and compressive dynamic stiffness of the 3DFM 
constructs with and without the inclusion of BCP particles are shown in figures 5 
and 6 respectively. In the bending test, the bending dynamic stiffness was 0.134 ± 
0.035 MPa for the bare 3DFM scaffold. When the designed BCP particles were 
press-fitted into the pores of the 3DFM scaffolds the bending test significantly 
increased to 0.94 ± 0.15 MPa for irregular particles, to 3.72 ± 0.03 MPa for 
spherical particles, to 8.86 ± 0.65 MPa for truncated cones, and to 18.99 ± 0.14 
MPa for pillar particles (p < 0.05). In the compression test (figure 6a), the 
compressive storage modulus E’ significantly increased from 0.692 ± 0.16 MPa for 
3DFM bare matrices to 0.935 ± 0.165 MPa for irregular particles, to 17.38 ± 5.38 
MPa for spherical particles, to 26.2 ± 4.76 MPa for pillar particles, to 37.96 ± 6.14 
MPa for truncated conical particles. In the case of design B (figure 6b), the 
compressive storage modulus of the hollow 3DFM cylinder was measured as 1.1 ± 
0.34 MPa, while the stiffness of the whole construct was measured as 7.8 ± 1.68 
MPa (p < 0.05). DBM had a bending modulus of 0.132 ± 0.034 MPa and a 
compressive modulus of 0.335 ± 0.04 MPa (p < 0.05). BCP had a bending 
modulus of 39.28 ± 1.29 MPa and a compressive modulus of 47.36 ± 5.34 MPa (p 
< 0.05). In case of the hybrid scaffolds in design A, the elastic moduli of the 
different construct configurations were also calculated with the theoretical model 
proposed by Voigt for composites and were found to be in the same range as the 
bending measured values, but not comparable to the compression ones (table 3). 
The bending (r2 = 0.96) and the Reuss-Voigt (r2 = 0.99) moduli seemed to increase 
with a power law, with increasing the BCP volume fraction, as shown in figure 7. 
However, this was not the case for the compression modulus (r2 = 0.87).  
The stress at break was also dependent on the design of the hybrid scaffolds. Stress 
changed from 0.52 ± 0.14 MPa for irregular particles to 14.01 ± 1.19 MPa for pillar 
particles. The strain varied from 9.92 ± 1.78% to 33.74 ± 0.49%, but did not 
appear to depend on the scaffold design, as presented in table 4. DBM and 3DFM 
alone did not break under compression.  
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Figure 5 – Influence of the scaffold design on the bending storage modulus in design A. The dynamic 
stiffness of the single components comprising the hybrid scaffold was also measured for comparison. All 
groups were significantly different from each other (p < 0.05). Particle shape legend: I = Irregular; S = 
Spherical; P = Pillar; TC = Truncated Cone. 
 

 

 

 
Table 3 – Comparison between the experimental and the theoretical (Reuss-Voigt model) values of the 
storage moduli of 3D scaffolds with custom-designed assembled BCP particles. 
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Figure 6 – Influence of the scaffold design on the compressive dynamic stiffness in design A and B. The 
storage modulus of the single components forming the hybrid scaffold was also determined for 
comparison. All groups were significantly different from each other (p < 0.05). Particle shape legend: I = 
Irregular; S = Spherical; P = Pillar; TC = Truncated Cone.  
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Figure 7 – Influence of the BCP volume fraction on the bending, compressive, and Reuss-Voigt moduli. 
Bending modulus: r2 = 0.96; Reuss-Voigt modulus: r2 = 0.99; compressive modulus: r2 = 0.87. 
 
Discussion 
 
Osteochondral 3D scaffolds comprising a cartilage 3DF compartment and a bone 3D 
assembled compartment were successfully fabricated and showed to posses the 
mechanical flexibility of polymers and DBMs, and the strength of ceramics. 
Furthermore, the rapid prototyping approach used in the design allowed the 
creation of scaffolds with a completely interconnected and accessible pore network. 
Different tri-phasic 3D hybrid scaffolds were considered and characterized in terms 
of their structural and mechanical properties for the bone compartment. Whereas 
ceramics and DBMs have different mechanical drawbacks, the former being too 
brittle and the latter too flexible to be used in a high load bearing site, the hybrid 
composite of these two bone graft substitutes with a polymeric matrix was shown 
to have a variable stiffness depending on the ceramic particles and on the overall 
construct design. Since ceramics are typically characterized by their behavior at break, 
the breaking stress and strain of the composite scaffolds were also measured. The 
DBM foam discs and the final DBM infusion of the constructs functioned as energy 
“cushions” during compression, resulting in an increase in the breaking strain and a 

O
steo

cho
ndral 

Scaffo
lds 



Chapter 10 

 220 

variable stress which was most likely due to the corresponding increase in BCP 
content. Strain didn’t seem to depend on scaffold design and showed approximately 
a 3-fold increase with respect to BCP scaffolds alone, while stress varied from a 14-
fold decrease for irregular particles to a 2-fold increase for pillar particles as 
compared to BCP scaffolds alone (table 4). The variable increase of the stiffness and 
of the breaking stress might be linked to the different packing degree of the ceramic 
in the polymeric matrix, resulting in a progressively higher coupling of the two 
materials. The increasing fit with the polymer, thus, resulted in a more efficient 
strengthening of the construct, increasing the overall stiffness and the stress at break. 
At the same time, the presence of DBM and of the polymer introduced a higher 
flexibility in the constructs due to their intrinsic mechanical properties, causing an 
increase in the deformation at break.  

 

 
Table 4 – Stress and strain at break for design A (influence of particle design), design B, and BCP. (*) 
Strength values for bone are taken from Athanasiou et al. [3]. 
 
With increasing BCP weight and/or volume percentage in the hybrid 3D scaffolds, 
the bending modulus increased accordingly. This can be expected as, with higher 
BCP content, the scaffolds are more densely packed, resulting in an increase of the 
stiffness given that BCP is the stiffest component in the assembled construct (figure 
5). A similar trend was seen for the compressive stiffness, although the highest value 
was measured when truncated conical ceramic particles were press-fitted in the 
polymeric matrix (figure 6). The higher performance of these particles within the 
matrix, despite a non-correspondent higher weight percentage (table 1), might be 
due to a higher localization of the surface stresses in a cylindrical section as 
compared to the rectangular one characteristic of the pillar particles. The higher 
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localization is originated by a “confinement” or “focusing” effect of the ceramic 
particle in the polymeric matrix, which is dependent on the particle section and 
results in a stiffer response. This is theoretically quantified as a 10-20% increase for a 
cylindrical section as compared to a cubical one [51, 52] and falls within the 
variation experimentally measured for truncated conical and pillar particles. The 
experimental measured values of the bending stiffness were also in the same range 
of the calculated stiffness values from the Reuss-Voigt model. This might suggest that 
the assembly of the different biomaterials proposed here can be considered close to 
a composite when subjected to a flexion load, although it cannot be strictly defined 
as such since this is typically formed by chemically bonded materials. It is clear that 
the hybrid scaffolds do not mechanically respond as real composites when their 
mechanical behavior in compression is considered. In this case the theoretical and 
the experimental values do not follow the same power law. As previously explained, 
it might be that the different stress localization on ceramic particles with different 
shapes is predominant in compression as compared to a volumetric increase of BCP 
in the assembly.  
As reviewed by Athanasiou et al. [3], cancellous bone has a bending modulus 
varying between 49 MPa and 336 MPa, and a compressive modulus varying 
between 12 MPa and 900 MPa. Cortical bone has a bending modulus ranging from 
5.44 GPa to 15.8 GPa, and a compressive modulus ranging from 4.9 GPa to 27.6 
GPa (figures 4b and 5c). The variations are related to different bone sources, 
different locations within the sources, and to different mechanical testing conditions. 
Cancellous bone has a strength varying between 0.15 MPa and 10.2 MPa, while 
cortical bone has a strength ranging from 90 MPa to 193 MPa. If the stiffness and 
stress/deformation at break of the different hybrid 3D assembled scaffolds are 
compared to the stiffness of cortical and cancellous bone, constructs with pillar or 
conical-cylindrical ceramic particles seems to better approach the mechanical 
behavior of cancellous bone. Cortical bone still has a much greater stiffness and 
strength as compared to the scaffolds here presented. Therefore, if mimicking the 
mechanical properties of the tissue to regenerate still holds as a requirement for 
scaffold fabrication in the specific case of cortical bone, it seems necessary to look 
for better performing biomaterials.  
The osteochondral 3D scaffolds proposed here seem to be an appealing solution, as 
they combine cartilage and bone compartments mechanically matching the natural 
tissues to be regenerated with biomaterials that singularly showed to promote 
cartilage and bone tissue formation. The advantage of using a 3DFM polymeric 
matrix in the bony part of the construct is that it is possible to directly fabricate the 
osteochondral polymer structure of the scaffold by 3DF. Specifically, the chondral 
part of the scaffold can be fabricated on top of the bone hybrid scaffold with 
300PEOT55PBT45, a PEOT/PBT composition that has been considered for cartilage 
tissue engineering [13, 32, 53]. Since the two PEOT/PBT compositions (bone = 
1000PEOT70PBT30 – cartilage = 300PEOT55PBT45) have different swelling 
properties, an interlocking fibrous system made of intertwined concentric 
1000PEOT70PBT30 and 300PEOT55PBT45 fibers was deposited at the interface 
between the bone and the chondral parts of the construct. This system also had the 
function to mimic the tidemark in the osteochondral natural architecture, as 
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1000PEOT70PBT30 calcifies and interconnects with the bony part. As shown 
qualitatively in figure 4, when the osteochondral scaffold was solicitated simply with 
forceps, the presence of the interlocking system prevented the delamination of the 
two parts of the scaffold even after one month in culture medium at physiological 
conditions. Preliminary experiments showed that these osteochondral scaffolds are 
able to support cell attachement and proliferation (data not shown). Still, the 
synergistic effect of the integrated biomaterials remains to be demonstrated. Further 
investigations will focus on the biological effectiveness of combining polymers with 
ceramics and DBMs for bone and osteochondral regeneration. The stability of such a 
construct for the repair of osteochondral defects in vitro and in vivo will be also the 
object of further studies.      
 
Conclusions 
 
A novel approach to make tri-phasic scaffolds for osteochondral tissue engineering 
was introduced based on biomaterials assembly. Hybrid three-dimensional scaffolds 
made of polymers, ceramics, and DBMs by integrating different scaffolds fabrication 
technologies were fabricated and found to couple the flexibility of polymers and 
DBMs with the mechanical strength of ceramics, at the same time maintaining a 
completely interconnected pore network. The mechanical properties of these 
constructs could be modulated depending on the assembly design and matched both 
the cartilage and the cancellous bone stiffness and strength. Given that the design 
rationale focused on using biomaterials that singularly found applications in bone 
and cartilage tissue engineering, the optimization of the hybrid constructs in this 
study makes these scaffolds promising candidates for osteochondral regeneration. 
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If you have an apple and I have an apple, and 
we exchange apples, we both still only have one 
apple. But if you have an idea and I have an 
idea, and we exchange ideas, we each now have 
two ideas 

 
George Bernard Shaw (1856 – 1950) 



General Discussion 

 227 

Chapter 11 
 

General Discussion 
 
The field of tissue engineering continuously grew since its creation in the early 
eighties and received a boost in the past decade that led to the commercialization of 
“first generation” products ranging from artificial skin to bone and cartilage. The 
attempts to regenerate other tissues showed promising achievements, such as artery 
regeneration in congenitally deformed children, nerve regeneration after trauma, or 
tissue engineered bladder replacement, just to mention a few. Yet, there is a need to 
improve the long-term functionality (years vs. month) and the reproducibility of the 
final outcomes for engineered tissue or regenerative medicine therapies. The word 
engineering tracks back its origin to the Latin word “ingenium”, which literally 
means “ingenuity” or “creativeness”. This is at the base of the regenerative medicine 
field [1] and the work present in the recent literature – as pointed out in chapter 1 – 
and in this thesis support the new trend emerging in tissue engineering, for which 
integration of different technological platforms is leading to a new generation of 
artificial tissue prototypes. Here, we have proposed the creation of smart 3D 
scaffolds by combining and integrating different fabrication and material processing 
techniques, in some cases taking advantage of usually undesired phenomena like 
low resolution (chapter 6) or polymeric blend viscous encapsulation during their 
molten state (chapter 8). Among the multitude of choices in biomaterials, material 
processing, and scaffold fabrication techniques, a family of thermoplastic copolymers 
(PEOT/PBT) was chosen for their tailorable properties and processed with an 
extrusion-based rapid prototyping technique (3DF). These copolymers are typically 
characterized by three parameters. When using an a/b/c acronym, a refers to the 
molecular weight of the starting PEG blocks used in the copolymerization reaction 
with PBT, while b and c are the weight ratios of the resulting PEOT and PBT 
domains. The main results presented in this thesis are hereafter discussed following 
the general aims enlightened in the introduction. 
 
Characterization of the Mechanical and Physicochemical Properties of 3D Scaffolds 
 
One of the mainstays in tissue engineering is that scaffolds should mimic the 
biomechanical properties of the tissues to be replaced. Ideally, the scaffolds should 
be made of a biodegradable material, whose degradation rate is coupled to tissue 
formation dynamics. In this way the mechanical support of the scaffold would be 
progressively overtaken by the newly formed tissue. To achieve biomechanically 
mimicking scaffolds with respect to cartilage, the viscoelastic behavior of the chosen 
polymers was first studied by dynamic mechanical analysis. Scaffolds were immersed 
in a wet environment matching the rheological properties of the synovium fluid. 
Scaffold porosity, pore size, and pore shape were varied to assess how these 
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parameters can control and modulate the mechanical properties of 3D scaffolds 
(chapters 2, 3, and 4). With increasing porosity and pore size, a decrease in the 
elastic response and an increase in the plastic response of the scaffolds were detected 
as expected. The same behavior also occurred when the pore shape was changed by 
decreasing the fiber deposition angle between two successive layers. This allowed 
creating a multidimensional matrix of structural and physico-chemical parameters 
which permits the selection of conditions to fabricate a scaffold with viscoelastic 
properties matching a specific tissue (chapter 3). Such a “decisional” system was also 
evaluated numerically, leading to the validation of a mathematical model that can 
be used to predict 3DF scaffolds dynamic stiffness, as discussed in chapter 4. Since 
the model depends on the dynamic stiffness of the solid material E’0 and on a 
specific scaffold coefficient α characteristic of each architecture and copolymer 
composition, it might be possible to extend it to other thermoplastic polymers 
provided their E’0 and α are known. Although 3D scaffolds manufactured with 
conventional fabrication techniques can be successfully made to match the 
mechanical properties of a desired tissue [2, 3], these properties are poorly 
correlated with the fabrication parameters [2, 4]. Furthermore, conventional 
scaffolds shed concerns on their complete pore network interconnectivity and 
tortuosity, which might hamper nutrient diffusion and cell migration in the center of 
constructs with a clinically relevant size [5, 6] as previously explained. In these 
chapters, it was demonstrated how rapid prototyped 3D scaffolds with mechanical 
properties mimicking a specific tissue are obtained in good correlation with the 
fabrication parameters, at the same time controlling the pore network 
interconnectivity and tortuosity. The scaffolds’ viscoelastic properties were found to 
be highly dependent on the structural porosity, in agreement with the model 
theorized by Gibson et al. [7] and experimentally assessed by Woesz et al. [8] for 
cellular solids. In the model proposed here, however, the dynamic stiffness and the 
porosity of the scaffolds correlated better with an exponential fit than with a power 
scale as for cellular solids. This might be related to the dynamic analysis performed 
to mechanically characterize these structures, in combination with the presence of 
the fluid phase that is pumped in and out of the highly interconnected pore network 
of the scaffolds. An alternative appealing approach to modulate the mechanical 
properties of 3D scaffolds consists in applying the homogenization theory to solid 
free-form fabrication (SFF) [9, 10]. In this way, it is possible to calculate an optimal 
pore unit to maximize a set of desired properties. The optimal pore unit can be 
periodically repeated or organized together with other optimal pore units specific 
for other properties to achieve a hierarchical 3D structure during the scaffold 
fabrication process. This strategy has been successfully applied in the fabrication of 
scaffolds for bone tissue engineering, showing promising results [11, 12]. 
 
Importance of Mimicking a Tissue Biomechanical Behavior  
 
A utilization of the prediction tool introduced in chapter 4 is shown in chapter 5 
and adopted to study how to optimize a 3D scaffold structure for cartilage 
regeneration. Scaffolds with similar architecture – resulting in similar starting 
mechanical properties – but different physicochemical behavior (300/55/45 and 
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1000/70/30) were compared to a 3D scaffold with matching dynamic stiffness and 
physicochemical properties (1000/70/30) with respect to bovine articular cartilage. 
After one month of culture, cartilage formation was significantly higher in the 
matching scaffold than in the non-matching scaffolds. Interestingly, this finding was 
not strictly related to the matching or non-matching dynamic stiffness, but to the 
architectural configuration of the scaffolds. It was the lower pore volume and 
porosity of the structure that better entrapped cells resulting in a higher seeding 
efficiency and ECM formation in the matching scaffold. This was coupled to 
physicochemical properties that contributed to maintain the original rounded 
morphology of chondrocytes, whereas 300/55/45 supported a spread morphology 
having a higher surface energy. Several studies have focused on how to optimize 
culture conditions in conventional scaffolds and attained the regeneration of 
functional tissue engineered articular cartilage [13-19]. In these cases, cells derived 
from immature origin were used. The much higher proliferation capacity that 
characterizes these cells as compared to adult chondrocytes might be responsible for 
the favorable response even in critical size scaffolds. When a more mature cell 
population was used in foams or meshes, limitations in cartilage formation at the 
center of the constructs occurred [5, 6, 20]. This might be related to a different 
capacity of adult cells to attach and migrate in the middle of the construct associated 
with a lower nutrient flow characteristic of conventional scaffolds. Therefore, the 
possibility to use a more open and interconnected structure like a rapid prototyped 
scaffold that allows a better nutrient perfusion and cell migration seems to be ideal 
as also supported by other recent studies [3, 20-23]. Furthermore, the matching 
1000/70/30 3D scaffold showed comparable degradation and tissue formation rates. 
These findings indicate that the optimization of the scaffold structure and 
physicochemical properties associated with low pore volume and porosity might 
lead to the tissue engineering ideal, where mature tissue grows and replaces the 
synthetic scaffold with the same dynamics. The fact that the particular scaffold 
structure displaying low pore volume and porosity also had a dynamic stiffness 
matching articular cartilage makes of 1000PEOT70PBT30 an appealing candidate to 
be further investigated when implanted in load bearing sites. Some concerns, 
however, might rise due to the poor handling properties of this PEOT/PBT 
composition when hydrated after few weeks in culture. It might be that, despite the 
encouraging results of the in vitro dynamical test, the structure will fail under the 
much higher stresses applied in an anatomical location during exercise.  
 
Relevance of Anatomically Shaped Scaffolds 
 
One of the advantages of rapid prototyping techniques as 3D scaffolds fabrication 
methods is to create anatomically shaped structures from datasets of patients. The 
data can be derived from CT and/or MRI scans of a specific anatomical part of the 
body to regenerate. An increasing amount of studies has been focusing on tissue 
regeneration on anatomical supports [24-28] with interesting results, since the 
landmark report of Cao et al [29]. Apart from the obvious benefit of regaining the 
original shape of the tissue or organ to repair, it has not been investigated so far 
whether anatomically shaped scaffolds might play a role in the dynamics of tissue 
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formation as compared to other simpler but yet functional designs. In this respect, a 
tracheal model was studied in chapter 6. The trachea with its complicated geometry 
was chosen to challenge the limited resolution capacity of 3DF. When compared to 
cylindrical and toroidal tubes, anatomically shaped scaffolds supported fewer cells 
and a higher production of ECM, as characterized by DNA and GAG assay 
respectively. Unexpectedly, with increasing complexity of the scaffold geometry the 
limitations of the rapid prototyping technique contributed to the improvement of 
cartilage formation. This was due to the significant formation of plastically drawn 
thin fibers during scaffold manufacturing when the nozzle moved from the end-
point of a layer to the start-point of the successive layer. These fibers showed to 
sustain a rounded morphology of the seeded and attached chondrocytes, which 
might have resulted in the higher amount of ECM formed and in the higher degree 
of cell differentiation. Tracheal segment reconstruction has been a fervent field of 
tissue engineering [30-38], due to the possible complications of the current clinical 
techniques such as stenosis and/or infection. Only few of these appear to have 
successfully regenerated a functional part [31, 37, 38]. Trachea is a hierarchical tissue 
consisting of cartilage and mucosa. The accomplishment of a tissue engineered 
trachea is strongly related to the degree of epithelialization [31, 37]. A poor 
epithelialization might cause stenosis of the construct and the collapse of the implant. 
In this study, epithelial cells were not co-cultured with chondrocytes. Therefore, no 
conclusion can be drawn on the functionality of the engineered cartilage tracheal 
constructs discussed in this chapter. Still, from these results it seems that not only the 
scaffold structure, but also the scaffold design is determinant for tissue formation. 
 
Influence of Fiber Dimensions and Texture on Cell Faith and on Release of Incorporated 
Compounds 
 
As a logical consequence of the particularly interesting findings of chapter 6 related 
to the effect of thin fibers on tissue formation, the influence of fiber diameter and 
texture on cell morphology and proliferation was analyzed. Another novel scaffold 
fabrication technique – electrospinning (ESP) – was used for this purpose, since it 
allows the creation of micro- and nano-fibers with different surface topology [39]. 
These fibers are in the same scale of the extra cellular matrix (ECM) fibril network 
surrounding the cells in their natural environment, and, therefore, are considered to 
mimic the physical cues to which the cells are normally exposed. PEOT/PBT 
electrospun mats were first fabricated and characterized to control the fiber size and 
to unravel the mechanism of surface indentation and pore formation on the fibers 
during deposition. Human mesenchymal stem cells were then cultured on scaffolds 
with different fiber diameter and surface topology. As reported in chapter 7, it 
seemed that fibers of approximately 10 μm in diameter showed an optimal cell 
seeding efficiency and a higher amount of cells after 2 weeks of culture. In addition, 
when nanoporosity was added to these fibers a higher proliferation rate and 
different cell morphology were found. Although these conclusions were found for 
human mesenchymal stem cells, the association of rounded or spread cells to 
smooth or nanotextured fibers respectively is rather intriguing as it might be used to 
direct a specific cell population into a desired morphology. The results also 
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confirmed the benefit of having thin smooth fibers for tracheal cartilage formation, 
as previously discussed for chapter 6. Li et al. [40] and Badami et al. [41] also 
studied the effect of thin fibers on chondrocytes and osteoprogenitor cells, 
respectively. Their results – although different as they compare fibers with different 
dimensions and fabricated with different polymers – are in line with what was 
found and discussed in this chapter, for which cells are capable to sense specific fiber 
dimensions and surface topologies singularly for each biomaterial used. Furthermore, 
a similar behavior was also discovered by other researchers when various topology 
features were created on flat material substrates by lithographic techniques [42-44], 
suggesting a stronger influence of surface topology on cells as compared to fiber 
dimensions. Some practical issues may still rise from the cell seeding efficiency on 
ESP scaffolds, due to the possible floating of the scaffolds when immersed in the 
culture media. An interesting solution in this direction has been proposed by Stankus 
et al. [45] and consisted in electrospraying cells concomitantly with electrospinning. 
Cells were demonstrated to be viable, to proliferate within the scaffold, and to 
differentiate into the desired tissue. Moreover, the possibility to incorporate drugs, 
proteins, and growth factors to release them in a sustained manner makes of ESP 
networks possible multifunctional structures that can be either used alone as 2D or 
3D matrices or integrated in a 3D scaffold to mimic the ECM environment and 
function as a cell “sieving” system at the same time. In this direction – supporting 
the results presented in this chapter – a study from Li et al. [46] showed it was 
possible to incorporate a protein belonging to the bone morphogenic protein family 
(BMP-2) in silk ESP scaffolds preserving its activity. Incorporated scaffolds resulted in 
a higher bone formation.  
 
Integration of Fabrication Technologies to Create Multifunctional 3D Scaffolds 
 
A few examples of how different material processing and scaffold fabrication 
technologies can be integrated to generate multifunctional scaffolds have been 
illustrated and used in chapters 8, 9, and 10 for cartilage and bone tissue engineering. 
In chapter 8, a shell-core system of 3DF scaffolds was created by combining 3DF 
with a rheological phenomenon of molten polymeric blends known as viscous 
encapsulation. By fine-tuning the difference in viscosity of two or more polymers in 
a molten blend and exposing it to the shear stress field during extrusion, fibers with 
shell-core architecture were deposited and organized in a 3D scaffold by 3DF. With 
immiscible or even partially miscible polymers, a completely separated or at least a 
partially stratified fibrous structure can be obtained. In the former case selective 
leaching can be applied, resulting in the formation of a 3D scaffold with organized 
hollow fibers. These fibers were shown to significantly increase the amount of 
cartilage ECM formation as compared to solid fibers, while minimizing the amount 
of synthetic polymer. Despite these encouraging preliminary results, further studies 
should be directed to evaluate whether there is an optimal hollow fiber dimension 
in terms of tissue formation and to assess any variation on the behavior of other 
cells. These fibers could find multiple applications in tissue engineering such as tissue 
in-growth guides for neural and vascular tissue engineering, anatomical scaffolds 
derived from computerized tomography (CT) or magnetic resonance image (MRI) 
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datasets of a patient where a hollow fiber architecture would be desirable, or as an 
integrated perfusion system in a bioreactor unit while maintaining the porous 
structure of the scaffold for cell attachment, proliferation, and eventual 
differentiation [47-50]. Alternatively, the use of such hollow fibers end-capped by a 
polymeric thin membrane as a system of drug delivery reservoirs was proposed and 
showed to sustain the release of a model protein over a month. Such a system might 
be further up-graded for the release of more functional growth factors for specific 
tissue engineering applications. Eventually the incorporation of different biological 
compounds selectively present in different layers of the 3DF reservoir scaffold might 
be useful where the development of a hierarchical tissue requires the expression of 
different signals. Many different techniques are available to create hollow fibers [51-
54]. With these techniques the hollowness of the fibers and their organization by 
weaving technologies into three-dimensional (3D) structures can be controlled to 
some extent [55]. Yet, it is difficult to achieve a precise control over the hollow 
cavities diameter and simultaneously a periodical, spatial organization in a 3D 
fashion as in the case of the technique here introduced. Additionally, hollow fibers 
are individually drawn and small variations in the setting parameters can result in 
irregularities in the lumen and shell size [56, 57]. 
In the case of shell-core scaffolds, it was shown how to exploit the shell layer as a 
coating that gives more favorable physicochemical properties to the structure, while 
the core polymer would offer the required mechanical properties. With PEOT/PBT 
copolymers it has been demonstrated that 1000/70/30 could maintain chondrocyte 
rounded morphology, while 300/55/45 displays better mechanical properties but 
supports dedifferentiated, spread chondrocyte morphology. Although it is possible 
to modulate the dynamic stiffness of 1000/70/30 to achieve a configuration with 
mechanical properties matching natural articular cartilage, some issues are still 
present on the stability of these scaffolds when implied in high load bearing areas 
like in the knee, as delamination of the fibers might occur as also previously 
discussed. However, if a 1000/70/30-300/55/45 shell-core scaffold was used the 
combination of the two polymers allowed to take advantage of the better 
physicochemical properties of 1000/70/30 for cartilage formation in the outer shell 
and of the mechanical stability of 300/55/45 in the inner core. Furthermore, the 
3DF shell-core scaffold appeared to have a higher stiffness as compared to 
1000/70/30 and 300/55/45 3D scaffolds, probably due to a pre-stress effect of the 
more swelling 1000/70/30 fibrils on the less swelling 300/55/45 fibrils mixed in the 
core of the fiber. The improvement of mechanical properties combined with a large 
ECM formation and maintained rounded chondrocyte morphology makes these 
constructs promising 3D systems for long-term applications in cartilage regeneration. 
When compared to other scaffolds coating techniques, these shell-core 3DF scaffolds 
showed to have a homogeneous and continuous shell coating for all of the fibers 
without the formation of membranes obstructing pores [58], which may result in a 
reduction of pore interconnectivity, and without breaking or flaking of the coating 
due to mechanical loading [59]. This may happen when the coating is transferred to 
the scaffold through a polymer solution in the former case, or through deposition 
from physiological solutions in the latter method. An alternative technique to 
transfer a homogeneous coating onto 3D scaffolds has been recently reported and 
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made use of self-assembly peptide solutions [60]. Albeit the interesting structure of 
the coating deposited on the fibers of the scaffolds, uncertainties over the strength 
of the coating still remain. 
Chapter 9 introduced the integration of 3DF and ESP techniques to create a 
multifunctional system where the 3DF scaffold would give the mechanical stability 
and the pore organization for tissue development and the ESP networks would act 
as a cell sieve and provide topographical cues to the cells, as previously mentioned. 
3DFESP scaffolds showed to entrap a significantly higher number of cells and to elicit 
more ECM formation as compared to 3DF scaffolds. Moreover, 3DFESP constructs 
maintained rounded chondrocyte morphology even if 300/55/45 was used. This 
can be attributed to the presence of the smooth micron-size ESP fibril network, as 
also investigated in chapter 7. No significant influence of the ESP network density 
could be detected. The work presented in this chapter can be considered as an 
integration of novel scaffold fabrication techniques, since it combines the improved 
porous organization of a rapid prototyping structure with the multifunctionality of 
an ESP mesh. Further improvements of this technique might involve the use of 
different biomaterials in different layers of the rapid prototyping and/or of the ESP 
constructs where the hierarchical architecture of the desired natural tissue may 
require the use of synthetic substitutes with appropriate physicochemical and 
mechanical properties for each specific region. This can be also combined with the 
incorporation of biofactors in the ESP fibers in the polymer solution, by 
electrospinning an emulsion, or by electrospinning a biphasic fluid with a coaxial 
needle where the biological compound is included in the core liquid phase. To 
expand the fibrillar network from bi-dimensional to three-dimensional, 
electrospinning can be substituted by phase inversion techniques. As shown in an 
example in figure 1, a three-dimensional fibrous network can be created within a 
PEOT/PBT 3DF scaffold by dipping it in a PCL solution, freezing it and extracting 
the solvent by freeze-drying. Depending on the freezing temperature it is also 
possible to control the pore dimensions on the fiber network formed. Eventually 
biological compounds could be dissolved in the polymer solution used to form the 
3D network. An additional possibility would be to couple 3D scaffolds with self-
assemblying (SA) biomaterials to create a 3D nanofibrillar network in the scaffolds. 
The flexibility of emerging SA systems allows modifying them so that they can 
express specific peptide sequences related to the specific tissue engineering 
application [61-63]. Only a few studies focused on the integration of micro- or 
nano-fibers in macro-fiber 3D scaffolds fabricated by wet spinning and fiber bonding 
[64, 65]. In both cases, the inclusion of such fibers resulted in an increased number 
of attached cells and a better tissue formation, thus confirming our findings. In 
addition, in the study here reported the integration of thin fibers into rapid 
prototyped scaffolds allows combining the completely interconnected macro-pores 
of 3D scaffolds, resulting in controllable mechanical properties, with the ECM 
mimicking ESP matrix providing the appropriate physical cues to the cells for 
improved tissue formation. 
Finally, chapter 10 proposed a novel concept to create 3D scaffolds for 
osteochondral tissue engineering. Assembled hybrid 3D scaffolds were made by 
integrating 3DF, indirect stereolithography, and freeze-drying. The hybrid construct 
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Figure 1 – SEM micrographs of fibrillar 3D network formation by phase inversion and examples of 
different porosity range of the fibers. (a) non porous (1.8% w/v solution frozen at T = -196 °C); (b) pore 
size of 9.27 ± 3 μm (18% w/v solution frozen at T = -20 °C); (c) pore size of 56.74 ± 32.12 μm (18% 
w/v solution frozen at T = -196 °C). Pilot experiment, not published data. Scale bar: (a) 200 μm; (b, c) 
100 μm. 
   
was mechanically characterized and various design options were considered for its 
use as the bone compartment. As ceramics are generally too brittle and 
demineralized bone matrices too flexible for direct implantation in a high load 
bearing bony site, the possibility to assemble them in a single 3D scaffold together 
with a polymeric matrix functioning as a carrier offers an attractive solution in terms 
of the final construct mechanical stability, while maintaining the biological bone 
forming properties of the biomaterials. 3D scaffolds were assembled following two 
different design approaches. In a first design, BCP particles were sintered in 
polymeric molds fabricated by photolithography with specific shapes and press-
fitted into the pores of a 3DF 1000/70/30 matrix. In a second model, a BCP 
cylinder was inserted between two DBM foamy discs and the assembly was placed 
in a hollow 3DF cylindrical scaffold, which was eventually closed by a deposited 
3DF membrane on top of the hollow cylinder. The constructs were finally immersed 
in a DBM gel and freeze-dried to obtain a foamy integrated structure in and outside 
the ceramic-polymeric assembly. The bending and compressive storage moduli of 
these scaffolds varied mainly with the different shapes of the ceramic particles, due 
to the redistribution of the applied stress on the different particles, and with 
increasing ceramic weight content. In a similar manner, the stress at break was 
modulated by changing the ceramic particle geometry, while the deformation at 
break was substantially constant, probably because of the “cushioning” contribution 
of the DBM foam in and out the 3D construct. The scaffold bone compartment was 
directly integrated to the cartilage compartment by 3D fiber-deposition. The 
chondral part of the scaffold was made of 300/55/45 to assure the mechanical 
stability of the whole construct. Having the two PEOT/PBT compositions (bone = 
1000/70/30 – cartilage = 300/55/45) different swelling properties, an interlocking 
fibrous system made of intertwined concentric 1000/70/30 and 300/55/45 fibers 
was deposited at the interface between the bone and the chondral parts of the 
construct. This system also has the function to mimic the tidemark in the 
osteochondral natural architecture, as 1000/70/30 calcifies and interconnects with 
the bony part. 3DF osteochondral scaffolds showed also to support cell attachment 
and proliferation, and differentiation into bone and cartilage in the respective 
compartments [66]. This study emphasized that the combination of different 
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fabrication technologies can lead to the creation of a pool of different scaffolds with 
tailorable mechanical and physicochemical properties, at the same time maintaining 
a favorable biological response. Typical methods to fabricate composite scaffolds 
aim at interspersing the two phases to finally achieve a homogeneous construct [67-
69]. However, this frequently results in scaffolds with poor polymer-ceramic 
bonding and limited control over the composite processability and mechanical 
properties [70, 71]. The interspersing of the two phases might also result in the 
obstruction of some of the scaffold pores, compromising pore interconnectivity [72]. 
When compared to these conventional methods, the approach discussed in chapter 
10 makes use of rapid prototyping to combine polymer and ceramics into a 3D 
scaffold, while preserving pore interconnectivity and accessibility. Future studies 
should aim at assessing any eventual biological synergistic effect of the single 
biomaterials in the hybrid scaffolds, the ability of such constructs to support in vivo 
bone and cartilage formation, and their mechanical stability in a load bearing site.  
The work presented in this thesis attempted to highlight how important it is to 
combine biological, chemical, and mechanical stimuli for the success of novel 
medical treatments, with a particular regard to regenerative medicine. The key for a 
perfect combination of such signals seems to be the integration of the many different 
technological platforms available and in development to create multifunctional 
structures. The future direction to implement this integration should pass through an 
initial stage where cell-materials interactions are studied and detected in a high 
throughput system that can be named “materiomics”, as mentioned earlier in this 
book. Depending on the specific tissue to regenerate, an optimal biomaterial can be 
so chosen to elicit the appropriate cell response and eventually modified with 
specific ligands and/or by incorporating biological compounds. The combination of 
biomaterial processing techniques with scaffold fabrication technologies and the 
spatiotemporal incorporation and eventual controlled and sustained release of 
biofactors will contribute to create a new generation of “smart” scaffolds that will 
lead to long-term successful applications in regenerative medicine. A trend is 
emerging where no longer new techniques from different disciplines are only slowly 
diffusing into tissue engineering or regenerative medicine. Instead, the transfer is 
much quicker and involves simultaneous implementation of multiple novel 
techniques. It will not be long before this combinatorial approach will funnel back 
novel knowledge to the more basic disciplines.   
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Summary 
 

 

 

This thesis describes a library of novel 3D scaffolds designed and optimized for tissue 
engineering and regenerative medicine applications. Tissue engineering aims at 
restoring or regenerating a deamaged tissue by combining cells, derived from a 
patient biopsy, with a 3D porous matrix, functioning as a scaffold. After isolation 
and eventual in vitro expansion, cells are seeded on the 3D scaffolds and, 
depending on the strategy, implanted directly or at a later stage in the patient’s 
body. 3D scaffolds generally need to satisfy a number of requirements: (i) 
biocompatibility, (ii) biodegradability and/or bioresorbability, (iii) suitable 
mechanical properties, (iv) adequate physicochemical properties to direct cell-
material interactions matching the tissue to be replaced, (v) facilitate regaining the 
original shape of the damaged tissue and the integration with the surrounding 
environment. From the review of the literature proposed in chapter 1, it appears still 
a challenge to satisfy all the aforementioned requisites with the biomaterials and the 
scaffold fabrication technologies nowadays available. 3D scaffolds can be fabricated 
with various techniques, among which rapid prototyping and electrospinning seem 
to be the most promising. Rapid prototyping technologies allow manufacturing 
scaffolds with a controlled, completely accessible pore network – determinant for 
nutrient supply and diffusion – in a CAD/CAM fashion. Electrospinning (ESP) allows 
mimicking the extracellular matrix (ECM) environment of the cells and can provide 
fibrous scaffolds with instructive surface properties to direct cell faith into the proper 
lineage. Yet, these fabrication methods have some disadvantages if considered alone. 
Therefore, the aim of this thesis was to characterize rapid prototyped and ESP 
scaffolds and to propose few examples that highlight the importance of combining 
different scaffolds fabrication technologies and possibly different biomaterials to 
provide cells with mechanical, physicochemical, and biological cues at the macro, 
micro, and nano scale. If merged together, the solutions proposed in this book may 
satisfy all of the scaffolds’ requirements for tissue engineering applications. 
Rapid prototyped scaffolds were first characterized in terms of their mechanical and 
physicochemical properties in chapters 2, 3 and 4. A technique called 3D fiber 
deposition (3DF) was used. The mechanical properties of 3DF scaffolds were shown 
to be modulated, depending on the scaffold’s total porosity, pore size and shape, 
and depending on the biomaterial composition processed. A mathematical model 
was also determined and numerically assessed, as discussed in chapter 4. This model 
can be used to predict the mechanical properties of 3D scaffolds and to optimize 
them to match the mechanical properties of the desired tissue (e.g. articular or 
meniscal cartilage) in terms of porosity, architecture, and physicochemical 
composition of the biomaterial. As an example, the model was used to choose 
scaffolds with specific mechanical and physicochemical properties for articular 
cartilage regeneration (chapter 5). Scaffolds with analogous architecture – resulting 
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also in comparable starting mechanical properties – but different physicochemical 
behavior were compared to a 3D scaffold with matching dynamic stiffness and 
physicochemical properties of bovine articular cartilage. After one month of culture, 
cartilage formation was significantly higher in the matching scaffold than in the non-
matching scaffolds. Interestingly, this finding was not strictly related to the matching 
or non-matching dynamic stiffness, but to the architecture configuration of the 
scaffolds. It was the lower pore volume and porosity of the structure that better 
entrapped cells resulting in a higher seeding efficiency and ECM formation in the 
matching scaffold. 
Rapid prototyping techniques can also fabricate anatomical scaffolds from a 
computer tomography (CT) or a magnetic resonance image dataset of a patient. 
Chapter 6 aimed at evaluating whether anatomically shaped scaffolds have a role in 
the dynamics of tissue formation as compared to other simpler but yet functional 
designs, apart from the evident benefit of regaining the natural shape of the tissue to 
be restored. A tracheal model was chosen for this purpose. After 3 weeks in culture, 
anatomical scaffolds sustained a higher production of ECM and a better cell 
differentiation. With increasing complexity of the scaffold geometry the limitations 
of the rapid prototyping technique contributed to the improvement of cartilage 
formation, due to the significant formation of plastically drawn thin fibers during 
scaffold manufacturing. These fibers showed to support a rounded morphology of 
the seeded and attached chondrocytes, which might have positively influenced tissue 
formation. 
As a logical consequence of the findings of chapter 6 related to the effect of thin 
fibers on tissue dynamics, the influence of fiber diameter and texture on cell 
morphology and proliferation was analyzed by fabricating ESP scaffolds. As 
reported in chapter 7, cells were not only able to distinguish between different 
surface topologies, but also among different fiber diameters. The results shown in 
this chapter suggested that the physical cues obtained by ESP can influence cell 
morphology and might play a role in their differentiation into a specific lineage. 
Few examples of how different material processing and scaffold fabrication 
technologies can be integrated to generate multifunctional scaffolds are introduced 
in chapters 8, 9, and 10. In chapter 8, a shell-core system of 3D scaffolds was created 
by combining 3DF with a rheological phenomenon of molten polymeric blends 
known as viscous encapsulation. By fine-tuning the difference in viscosity of two or 
more polymers in a molten blend and exposing it to the shear stress field during 
extrusion, fibers with a shell-core and with a hollow architecture were deposited 
and organized in a 3D scaffold. In both cases these scaffolds showed to support 
better cartilage regeneration when compared to standard 3D scaffolds. This resulted 
from the presence of a shell layer functioning as a coating designed to have better 
physicochemical properties for chondrocyte interactions, in the case of shell-core 
fiber 3D scaffolds. When hollow fiber scaffolds were used, a higher cell entrapment 
was associated to a lower amount of synthetic biomaterial compared to 3DF 
scaffolds with solid fibers. Furthermore, possible use of these constructs as tissue 
guiding matrices or as integrated systems for direct nutrient perfusion can be 
envisioned. Chapter 9 introduced the integration of 3DF and ESP techniques to 
generate a multifunctional system where the 3DF scaffold would provide the 
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mechanical stability and the pore organization for tissue development and the ESP 
networks would act as a cell sieve and supply topographical cues to the cells. The 
resulting integrated scaffolds displayed a significantly higher number of entrapped 
cells and elicited more ECM formation as compared to 3DF scaffolds alone. This was 
also associated with maintained rounded chondrocyte morphology, due to the 
presence of the smooth micron-size ESP fibril network. In chapter 10 a novel 
concept to create 3D scaffolds for osteochondral tissue engineering is discussed, 
where assembled hybrid 3D scaffolds were made by integrating 3DF, indirect 
stereolithography, and freeze-drying. As ceramics are generally too brittle and 
demineralized bone matrices too flexible for direct implantation in a high load 
bearing bony site, the possibility to assemble them in a single 3D scaffold together 
with a polymeric matrix functioning as a carrier offers an attractive solution in terms 
of the final construct mechanical stability, while maintaining the biological bone 
forming properties of the biomaterials. The hybrid constructs analyzed displayed 
modulable mechanical properties, depending on the ceramic volume ratio and 
particle shape in the constructs. 
Finally, chapters 11 summarizes and discusses the results presented in this thesis and 
offers few possible ideas for future developments. 
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Samenvatting 
 

 

 

Dit proefschrift beschrijft het ontwerp en de optimalisatie van drie dimensionale 
dragers voor toepassingen in de weefsel techniek (“tissue engineering”) en 
regeneratieve geneeskunde. 
Met tissue engineering wordt beoogd beschadigd of ontbrekend weefsel te 
herstellen of te vervangen door cellen afkomstig uit een biopsie van de patiënt aan 
te brengen op een drie dimensionale poreuze matrix die “scaffold” (lett.: “steiger”) 
wordt genoemd. Na isoleren en eventueel expanderen van de cellen worden deze 
gezaaid op en in de 3D scaffold en, afhankelijk van  de te volgen behandelstrategie, 
direct of op een later tijdstip geïmplanteerd in het lichaam van de patiënt. Deze 
scaffolds moeten aan een aantal eisen voldoen voor wat betreft: (i) 
biocompatibiliteit, (ii) biodegradeerbaarheid, - resorbeerbaarheid, (iii) de juiste 
mechanische eigenschappen, (iv) fysisch chemische eigenschappen die via cel-
materiaal interacties de vorming van het gewenste weefsel kunnen bewerkstelligen 
en (v) geometrie waardoor herstel van de oorspronkelijke contouren van het 
weefsel en de integratie met het restweefsel kan worden bevorderd. 
Een overzicht van de literatuur zoals gegeven in hoofdstuk 1 leert dat er nog een 
aanzienlijke uitdaging ligt om met de heden ten dage beschikbare materialen en 
technieken aan de boven omschreven voorwaarden te voldoen. Van de technieken 
waarmee de scaffolds kunnen worden gemaakt lijken “rapid prototyping” en 
elctrospinnen de meest belovende”. Rapid prototyping technologie – gebaseerd op 
CAD/CAM - maakt het mogelijk om scaffolds te maken met een volledig 
controleerbaar, open en toegankelijk porieën systeem dat nodig is voor voldoende 
aanvoer van nutriënten. Met electrospinnen (ESP) is het mogelijk de extracellulaire 
matrix (ECM) van de cellen na te bootsen en de scaffold van oppervlakte 
eigenschappen te voorzien die de celkweek in de richting van het gewenste type 
weefsel kan dirigeren. Toch hebben de genoemde technieken ieder voor zich weer 
bepaalde tekortkomingen. 
Het was daarom het doel van dit onderzoek om door rapid prototyping en ESP 
verkregen scaffolds nader te karakteriseren en het belang te illustreren van het 
combineren van verschillende vervaardigingtechnieken en verschillende 
biomaterialen teneinde de cellen te voorzien van mechanische ,fysisch-chemische en 
biologische stimuli op macro, micro en nano niveau. Met de in dit proefschrift 
voorgestelde vervaardigingroutes zou aan alle denkbare eisen die vanuit tissue 
engineering aan scaffolds gesteld worden tegemoet gekomen kunnen worden. 
In de hoofdstukken 2,3, en 4 worden de met rapid prototyping verkregen scaffolds 
allereerst gekarakteriseerd in termen van mechanische eigenschappen. Daarbij werd 
een techniek van 3D fiber deposition (3DF) toegepast. Aangetoond werd hoe de 
mechanische eigenschappen van 3DF scaffolds gecontroleerd kunnen worden met 
het porievolume, de poriegrootte en – vorm en met de fysisch-chemische 
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samenstelling van het materiaal. In hoofdstuk 4 wordt hiertoe ook een 
mathematisch model opgesteld en numeriek gevalideerd. Dit model kan gebruikt 
worden om van een scaffold de mechanische eigenschappen te voorspellen en te 
optimaliseren in termen van porositeitkenmerken en materiaaleigenschappen voor 
gebruik in een bepaald type weefsel (bijvoorbeeld articulair of meniscus kraakbeen). 
Bij wijze van voorbeeld is dit model in hoofdstuk 5 gebruikt om scaffolds te 
ontwerpen met geschikte eigenschappen voor regeneratie van articulair kraakbeen. 
Scaffolds met gelijksoortige poriearchitectuur en mechanische eigenschappen – maar 
met verschillende materiaaleigenschappen werden in celkweek vergeleken met een 
scaffold dat met runderkraakbeen overeenkomende dynamische stijfheid en fysisch-
chemische eigenschappen bezat. Na een kweektijd van een maand was er significant 
meer kraakbeen gevormd in de scaffold die het meest met runderkraakbeen 
overeenkwam. Interessant was dat deze bevinding niet alleen gerelateerd was aan 
de overeenkomende stijfheid maar ook aan de poriearchitectuur. Het was met 
name een lager porievolume dat door beter cellen vast te houden een hogere zaai-
efficiëntie mogelijk maakte en daarmee een betere extra cellulaire matrix vorming. 
Via rapid prototyping technieken kunnen ook scaffolds worden vervaardigd op 
basis van Rö- of MRI scans van een patiënt (computer tomografie, CT-scans). In 
hoofdstuk 6 wordt nagegaan in hoeverre een anatomische vorm van scaffolds een 
rol speelt in de dynamiek van weefselvorming in vergelijk met weliswaar 
functionele maar meer modelmatige, simpelere vormen. Hiervoor werd een model 
van een trachea gekozen. Na 3 weken celkweek was er in het anatomische model  
meer extra cellulaire matrix gevormd en trad betere celdifferentiatie op. Met de 
toegenomen structuurcomplexiteit van het anatomische model bleek de aan de 
vervaardigingtechniek  gerelateerde vorming van zeer dunne vezeltjes een beter 
kraakbeenvorming mogelijk te maken. Deze vezeltjes bleken een ronde morfologie 
van de er aan gehechte chondrocyten te stimuleren waardoor mogelijkerwijs de 
weefselvorming positief werd beinvloed. 
Als een logisch gevolg van de bevindingen van hoofdstuk 6 werd een studie gedaan 
naar de invloed van vezel diameter en oppervlakte structuur op celmorfologie en 
groeisnelheid met behulp van ESP scaffolds. In hoofdstuk 7 wordt beschreven hoe 
de cellen niet alleen reageerden op oppervlakte structuren maar ook op de 
vezeldiameter. De resultaten van deze studie suggereren dat de aan electrospinnen 
gerelateerde fysische kenmerken van de scaffolds een invloed kunnen hebben op de 
celmorfologie en daardoor wellicht een rol spelen bij de differentiatie naar het type 
weefsel.  
In de hoofdstukken 8,9 en 10 worden een aantal voorbeelden gegeven van hoe met 
verschillende technieken en materiaalbehandelingen multifunctionele scaffolds zijn te 
vervaardigen. Hoofdstuk 8 beschrijft scaffolds van vezels met een schil-kern structuur 
verkregen door bij 3DF technologie gebruik te maken van een reologisch 
verschijnsel bij polymeermengsels dat visceuze encapsulatie wordt genoemd. Door 
een smelt van een polymeermengsel waarin de componenten verschillende 
viscositeiten bezitten te onderwerpen aan de schuifspanningen van het 3DF 
extrusieproces worden vezels verkregen met een schil-kern- of holle structuur en 
tegelijkertijd geordend in een scaffold. In beide gevallen werd een betere 



Samenvatting 

 246 

kraakbeenvorming geconstateerd dan in het geval van scaffolds met standaard 
vezels. 
In het geval van de schil-kern vezels werd dat bereikt door speciale eigenschappen 
van de schil die als een coating om de vezel zat en in het geval van de holle vezels 
was het een betere cel “vangst” bij zaaien gecombineerd met een kleinere 
hoeveelheid materiaal per volume eenheid dan bij massieve vezels het geval is. Met 
deze structuren worden scaffolds met weefselsturende eigenschappen voorstelbaar 
evenals systemen met geïntegreerde nutriënten perfusie. 
In hoofdstuk 9 worden scaffolds beschreven die verkregen zijn door een combinatie 
van 3DF en ESP technieken. Hierbij zorgt de 3DF structuur voor mechanische 
stevigheid en de voor weefselvorming geschiktste poriestructuur terwijl het er 
doorheen geweven ESP netwerk fungeert als celzeef en door oppervlaktestructuren 
van de microvezels de celmorfologie beïnvloedt. De zo verkregen geintegreerde 
scaffolds maakten een betere zaai-efficiëntie mogelijk en daarmee een betere 
vorming van extracellulaire matrix. 
Hoofdstuk 10 beschrijft een nieuw concept om scaffolds voor osteochondrale 
toepassingen te vervaardigen door integratie van 3DF, indirecte stereolithografie en 
vriesdrogen. Waar keramiek in het algemeen te bros en gedemineraliseerde 
botmatrix te week is  om op een mechanisch zwaar belaste plaats te functioneren, 
vormt de mogelijkheid om deze materialen te integreren in een polymere 3DF 
matrix een aantrekkelijke manier om de voor botvorming gunstige mechanische en 
biologische eigenschappen van deze materialen te combineren in één construct. Met 
het volumepercentage van de keramische deeltjes alsmede met geometrie ervan 
konden de mechanische eigenschappen van deze constructen worden ingesteld. 
In hoofdstuk 11, tenslotte, worden de resultaten uit dit proefschrift samengevat en 
besproken alsmede een aantal ideeën voor mogelijke toekomstige ontwikkelingen. 
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Il lavoro di ricerca descritto in questa tesi presenta una serie di scaffold 
tridimensionali (3D) innovativi, disegnati e ottimizzati per applicazioni di ingegneria 
tissutale e medicina rigenerativa. L’ingegneria dei tessuti si prefigge lo scopo di 
riparare o rigenerare tessuti umani associando una popolazione di cellule con una 
matrice 3D porosa che funzioni come scaffold. Dopo aver isolato, ed eventualmente 
espanso, le cellule con tecniche in vitro, queste vengono seminate sugli scaffold che, 
a seconda della strategia considerata, possono essere impiantati subito o in un 
secondo momento nel corpo del paziente. Gli scaffold 3D devono tipicamente 
soddisfare una serie di requisiti: (i) biocompatibilità, (ii) biodegradabilità e/o 
bioriassorbibilità, (iii) adeguate proprietà meccaniche, (iv) adatte proprietà fisico-
chimiche per dirigere le interazioni cellule-materiale durante la formazione tissutale, 
(v) recupero della forma originale del tessuto danneggiato e integrazione con 
l’ambiente circostante. Dalla revisione della letteratura nel campo dell’ingegneria 
tissutale proposta nel capitolo 1, risulta ancora problematico soddisfare tutti i 
requisiti precedentemente menzionati con i biomateriali e le tecniche di 
fabbricazione degli scaffold oggigiorno disponibili. Gli scaffold 3D possono essere 
prodotti con varie tecnologie, tra le quali la prototipizzazione rapida e 
l’elettrospinning sembrano essere le più promettenti. Tramite la prototipizzazione 
rapida (RP), per mezzo di metodiche CAD/CAM, è possibile creare scaffold 
caratterizzati da una rete porosa controllata e completamente accessibile, che è 
fondamentale per l’approvigionamento di nutrienti e per la loro diffusione. 
L’elettrospinning (ESP) permette di imitare sinteticamente la matrice extracellulare 
(ECM) in cui le cellule sono situate, e in tal modo fornisce delle proprietà superficiali 
utili per influenzare la differenziazione delle cellule nel corretto fenotipo. Tuttavia, 
se considerate separatemente, queste tecniche di fabbricazione presentano alcuni 
svantaggi. 
Lo scopo degli studi qui presentati è quello di caratterizzare scaffold fabbricati 
tramite RP ed ESP, e di proporre alcuni esempi che mettano in luce l’importanza di 
integrare diverse tecniche di produzione di scaffold e, possibilmente, diversi 
biomateriali che forniscano alle cellule adeguati segnali meccanici, fisico-chimici e 
biologici a livello macro, micro e nanoscopico. Se combinate assieme, le soluzioni 
qui proposte potrebbero soddisfare tutti i requisiti richiesti per gli scaffold da 
utilizzare in ingegneria tissutale. 
Nei capitoli 2, 3 e 4 sono state determinate le proprietà meccaniche e fisico-
chimiche di scaffold RP. Gli scaffold sono stati prodotti tramite una tecnica chiamata 
deposizione 3D di fibre (3DF). Le proprietà meccaniche degli scaffold 3DF possono 
essere modulate secondo la porosità, le dimensioni e le forme dei pori e secondo la 
composizione chimica del biomateriale usato. Come discusso nel capitolo 4, è stato 
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possibile formulare un modello matematico valicato numericamente. Tale modello 
può essere usato per predire le proprietà meccaniche degli scaffold 3D e come 
strumento per ottimizzare la porosità, l’architettura e la composizione fisico-chimica 
di tali strutture in modo da imitare le proprietà meccaniche del tessuto da rigenerare 
(e.g. cartilagine articolare o meniscale). Ad esempio, il modello è stato usato per 
scegliere scaffold con precise proprietà meccaniche e fisico-chimiche per la 
rigenerazione della cartilagine articolare (capitolo 5). Scaffold con architettura simile 
– risultante in proprietà meccaniche simili – e diverse proprietà fisico-chimiche sono 
stati paragonati a scaffold con rigidità dinamica e comportamento fisico-chimico 
uguali a quelli della cartilagine articolare bovina. Dopo un mese di coltura, la 
formazione cartilaginea è stata significativamente più elevata in questi ultimi scaffold. 
Questi risultati non sono tanto correlati alla rigidità meccanica degli scaffold, quanto 
all’architettura degli scaffolds. L’inferiore volume dei pori e l’inferiore porosità degli 
scaffold con simili proprietà rispetto alla cartilagine bovina sono risultati in una 
migliore capacità di intrappolamento delle cellule nei pori, e di conseguenza in una 
migliore efficienza di semina e formazione di ECM. 
Le tecniche di prototipizzazione rapida permettono anche la fabbricazione di 
scaffold anatomici tramite un set di immagini di un paziente derivanti da tomografia 
computerizzata (CT) o da risonanza magnetica (MRI). Nel capitolo 6 è stato 
valutato il ruolo dell’anatomicità degli scaffold sulla formazione del tessuto 
cartilagineo tracheale rispetto a scaffold con geometria più semplice ma ugualmente 
funzionale. Un segmento tracheale è stato scelto per testare i limiti di risoluzione 
della tecnica 3DF. A parte l’ovvio beneficio di ricreare la forma naturale del tessuto 
danneggiato, gli scaffold anatomici hanno sostenuto una più elevata produzione di 
ECM ed una migliore differenziazione delle cellule nel tessuto cartilagineo dopo tre 
settimane di coltura. Paradossalmente, al crescere della complessità della geometria 
degli scaffold le limitazioni in risoluzione della tecnica 3DF hanno contribuito a una 
migliore formazione tissutale, a causa della formazione di fibrille estruse 
plasticamente durante la produzione degli scaffold. Queste fibrille supportano una 
morfologia sferica dei condrociti adesi, il che potrebbe aver influenzato 
positivamente la crescita tissutale. 
A conseguenza dei risultati ottenuti nel capitolo 6 relativi all’effetto delle fibrille 
sulla dinamica di rigenerazione cartilaginea, l’influenza delle dimensioni e della 
topologia superficiale di fibre polimeriche sulla morfologia e proliferazione delle 
cellule è stata analizzata fabbricando scaffold tramite ESP. Come descritto nel 
capitolo 7, le cellule sono state capaci di distinguere non solo tra diverse topologie 
superficiali, ma anche tra fibre di diverso diametro. I risultati ottenuti suggersicono 
che gli stimoli fisici presenti sulle fibre e creati tramite ESP possono influenzare la 
morfologia cellulare e potrebbero avere un ruolo nella loro differenziazione in uno 
specifico tessuto. 
Nei capitoli 8, 9 e 10 sono trattati studi che mostrano come diverse tecnologie di 
lavorazione di materiali e diverse tecniche di fabbricazione di scaffold posso essere 
integrate per creare scaffold multifunzionali. Nel capitolo 8, scaffold bifasici formati 
da fibre rivestite da un altro biomateriale sono stati prodotti combinando 3DF con 
un fenomeno reologico noto come incapsulazione viscosa. Sfruttando la differenza 
di viscosità tra due o più polimeri in una miscela polimerica fusa e sottoponendola a 
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un campo di sforzi di taglio durante l’estrusione, è stato possibile fabbricare fibre 
bifasiche o cave e organizzarle in uno scaffold 3D. Le fibre cave sono state ottenute 
tramite dissolvimento selettivo dell’anima interna delle fibre bifasiche. In entrambi i 
casi gli scaffold hanno dimostrato una migliore rigenerazione cartilaginea a 
confronto con scaffold 3D standard a fibre solide monofasiche. Inoltre, questi 
scaffold potrebbero anche essere utili come matrici per guidare la rigenerazione 
tissutale (e.g. nervi o capillari) o come capillari integrati in scaffold 3D per la diretta 
perfusione di nutrienti. Nel capitolo 9 viene introdotta la fabbricazione di nuovi 
scaffold ottenuti dall’integrazione delle tecniche 3DF e ESP per la creazione di un 
sistema multifunzionale in cui gli scaffold 3D forniscono stabilità meccanica e una 
rete porosa organizzata per lo sviluppo tissutale, mentre il network ESP agisce da 
filtro per intrappolare le cellule e fornir loro opportuni stimoli fisici. Tali nuovi 
scaffold, se paragonati a scaffold 3DF, hanno mostrato un aumento significativo 
delle cellule adese e intrappolate nei pori, e quindi un conseguente aumento della 
ECM formata. Ciò è associato al mantenimento della morfologia sferica dei 
condrociti, dovuta alla presenza di fibre liscie e micrometriche caratteristiche del 
network ESP. Nel capitolo 10 viene presentato un nuovo concetto di assemblaggio 
di diversi biomateriali per la creazione di scaffold ibridi volti alla ricostruzione di 
difetti osteocondrali. Tali scaffold ibridi sono stati ottenuti dall’integrazione di 3DF, 
prototipizzazione rapida indiretta e freeze-drying. Poichè i materiali ceramici sono 
tipicamente troppo fragili e la matrice ossea demineralizzata troppo flessibile per 
poter essere direttamente impiantati in siti ossei ad alto carico, la possibilità di 
assemblarli in un singolo scaffold 3D, assieme ad una matrice polimerica funzionante 
da vettore, offre una soluzione interessante perchè combina la stabilità meccanica 
del costrutto finale alle proprietà di rigenerazione ossea dei singoli biomateriali usati. 
Questi scaffold ibridi hanno dimostrato di avere una rigidità meccanica modulabile 
secondo il volume specifico di ceramica presente e della loro forma all’interno della 
struttura. 
Infine, nel capitolo 11 sono riassunti e discussi i risultati presenti in questa tesi e sono 
descritte alcune possibili idee per sviluppi futuri. 
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