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Abstract 

Abstract 
Hierarchical porous structures have been gathering interest in different fields owing to their unique proper-
ties associated with their multi-scale features. The observation of natural materials brought new insights 
into the functionality of cellular materials and inspired new processes to produce synthetic hierarchical 
structures. Such hierarchical cellular materials have shown significant potential in many applications, as 
filtering, tissue engineering and drug delivery. Polymers in particular gathered a burgeoning interest thanks 
to their ease of processing, which allows producing structures at high strength/density ratio and high 
surface area with defined porosity. 

In the present study, it is proposed to develop novel technologies to manufacture polymer cellular 
structures. Hierarchical porous structures were created from the combination of Supercritical Carbon 
Dioxide Foaming (ScCO2) and Fused Deposition Modelling / Fused Filament Fabrication (FDM / FFF) additive 
manufacturing. This process is named homothetic foaming. The material transformation phenomena and 
the processing window to control this method were studied. The fine-tuning of the foaming parameters 
allowed creating a micro cellular porosity within a 3D printed structure, without modifying the 3D topology. 
This permitted producing a wide range of cellular structures with controlled multi scale porosity and 
stiffness reduced up to hundred times the stiffness of the 3D printed cellular structures. 

Homothetic foaming was then applied to biopolymers in order to create gradient hierarchical porous 
structures. In particular, articular cartilage and bone (osteochondral) defects were targeted. Cartilage repair 
is a challenging clinical problem because large defects do not regenerate. Tissue engineering offers a 
solution by implanting a material, defined as scaffold, loaded with cells to induce a regeneration in the 
tissue that otherwise would not occur. Multi material Poly(lactide-co-caprolactone) – Poly(lactide- TCP) 
cellular structures were successfully processed into a scaffold able to replicate the complex gradient 
mechanical properties of the osteochondral tissue. In particular, the processing windows to produce multi 
material 3D printed and foamed structures was established. The mechanical properties under compression 
of these scaffolds were compared to the values measured by nanoindentation on human articular cartilage, 
showing a good correlation between scaffold and target application. 

Furthermore, from the developed knowledge, a novel additive manufacturing method is proposed from the 
integration of FDM/FFF and ScCO2 into a single process, named 3D Foam Printing. 3D Foam Printing was 
applied to process structures with hollow filaments or filaments with radial porosity. The influence of pro-
cessing parameters on foam morphology was investigated. Different cellular structures achievable by 
tuning the printing temperature and speed were described for different biomaterials. 

The processes described in this work allowed mimicking the complex mechanical properties of the 
osteochondral tissue, a natural hierarchical material. In addition, the developed processes are relevant to a 
wide range of materials, as polymers, blends and composites. This is particularly true for 3D Foam Printing, 
which could positively influence many engineering applications, as aerospace, medicine and energy, where 
tuneable cellular polymers are highly demanded. 
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Résumé 

Résumé 
Les structures poreuses suscitent un intérêt croissant dans différents domaines en raison de leurs propriétés 
uniques associées à leurs caractéristiques multi-échelle. L'observation de matériaux naturels a apporté de 
nouvelles perspectives sur la fonctionnalité des matériaux cellulaires et a inspiré de nouveaux procédés de 
fabrication de ces structures. Ces matériaux cellulaires ont suscité un intérêt significatif pour de nombreuses 
applications, comme le filtrage, l'ingénierie tissulaire et les systèmes d’administration de médicaments. Les 
polymères sont intéressants en raison de leur facilité à être transformés, permettant de produire des structures 
avec un rapport résistance/densité et une surface spécifique élevés. Dans cette étude, de nouvelles technologies 
pour fabriquer des structures cellulaires en polymère sont proposées. Le moussage au dioxyde de carbone 
supercritique (ScCO2) et l’impression 3D par extrusion de polymère (FDM/FFF) sont combinés pour créer des 
structures hiérarchiques micro et macro poreuses. Les phénomènes de transformation des matériaux et la 
fenêtre de mise en œuvre de ce procédé ont été étudiés. Le réglage des paramètres de moussage a permis de 
créer une porosité micro-cellulaire au sein d'une structure imprimée en 3D, sans modifier la topologie 3D. Ce 
procédé a été nommé moussage homothétique. Cette approche a permis de produire une large gamme de 
structures cellulaires avec une macro et microporosité contrôlée présentant des rigidités jusqu'à cent fois plus 
faibles que celles des structures cellulaires imprimées en 3D. 

Le moussage homothétique a ensuite été appliqué aux biopolymères pour créer des structures hiérarchiques 
possédant des gradients de porosité pour des applications d'ingénierie tissulaire. La réparation du cartilage est 
un problème clinique complexe car une fois endommagé, il se régénère difficilement. L'ingénierie tissulaire offre 
une solution en implantant un matériau chargé de cellules et servant de support pour induire une régénération 
du tissu. Des structures cellulaires combinant Poly(lactide-co-caprolactone) et Poly(lactide- TCP) ont été 
produites dans une structure qui reproduit le gradient complexe des propriétés mécaniques du tissu 
ostéochondral. En particulier, les fenêtres de mise en œuvre pour produire une structure composée par une 
partie imprimée et une partie imprimée puis moussée ont été décrites. Les propriétés mécaniques en 
compression de ces structures ont été comparées aux valeurs mesurées par nanoindentation sur des cartilages 
articulaires humains et une bonne corrélation fut observée. 

De plus les connaissances développées ont permis de proposer une nouvelle méthode de fabrication 
additive, intégrant les procédés FDM/FFF et ScCO2 en un seul procédé, l’impression 3D de mousses. Ce 
procédé, appelé moussage homothétique, a été appliqué pour la production de structures avec des 
filaments creux ou avec des gradients de porosité. L'influence de la température et de la vitesse 
d’impression sur la morphologie finale a été étudiée pour différents polymères. 

Les procédés proposés ont permis de fabriquer des structures à base de polymères, de mélange de 
polymères et de composites reproduisant les propriétés du tissu ostéochondral. L'impression 3D de mousse 
ouvre de nouveaux horizons pour d’autres applications, par exemple en aérospatiale, en médecine et ou 
dans les domaines de l'énergie, où les polymères à structures cellulaires hiérarchiques sont très demandés. 

Mots-clés 

Structures cellulaires hiérarchiques, moussage supercritique, fabrication additive à base d'extrusion, 
structures en multi-matériaux, polymères médicaux 
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Introduction and Motivation 
1.1 Introduction 
Polymer composites are getting more and more applied in different fields, as transportation, sport, aero-
nautics, and mechanical industry 1,2. This is due to their excellent mechanical properties and lightness, an 
unique combination that allows energy and space savings 3. Moreover, polymer composites can be tailored 
in all their properties with a high degree of freedom, thanks to their potential of being processed with various 
methods.  

Materials for biomedical applications are largely investigated nowadays, especially after the introduction of 
tissue engineering approaches for regenerative medicine. In particular, biocomposites invest a special role, 
thanks to their specific mechanical properties, high freedom of design and lightness. Moreover, the 
knowledge acquired in other fields is often translated into biomaterials, permitting to create new solutions 
and innovative approaches (e.g. drug delivery systems). Finally, natural tissue can be described as compo-
sites, due to intrinsic tissue complexity and presence of different phases. 

Bone is a natural porous composite structure, consisting of an organic matrix of collagen fibres and a mineral 
support of hydroxyapatite. It has an interconnected porous microstructure with a gradient of pore sizes. Ar-
ticular cartilage is a specialized load-bearing and hydrated soft tissue that covers the articulated surface of 
bones. From a material science point of view, cartilage is a fibre-reinforced composite made of a dense stable 
network of collagen fibres embedded in a very high concentration of proteoglycan gel.  

An osteochondral defect results from a lesion that involves the hyaline cartilage and the underlying subchon-
dral bone. It is a typical situation arising following a traumatic injury in sport and thus concerns mainly the 
young active population. As cartilage tissue has a very limited healing potential, degenerative arthritis is a 
natural evolution of this situation. To avoid the tissue degeneration, which would ultimately lead to the need 
of a total joint arthroplasty, several techniques are used in clinical practice to repair the cartilage, such as 
drilling, autograft and allograft. All of them, however have shown to have a limited success, especially in the 
long-term 4,5. Tissue engineering has emerged as a possible solution to overcome this issue, inducing the 
tissue to regenerate the defect and ideally leading to a complete wound healing. 

Tissue engineering is a multidisciplinary field that joins developments in cell/molecular biology, materials 
science and engineering, chemistry and medical science towards the development of hybrid substitute com-
bining biodegradable scaffold, cells and signalling molecules such as growth factors aimed at restoring tissue 
or organs functions 5. Tissue engineering has the potential to be used in the regeneration of organs or tissues 
such as articular cartilage and is considered as a potential osteoarthritis treatment strategy superior to the 
current surgical techniques 4–7. This is due to limited results of conventional surgery procedure in the long 
term and the symptomatic approach, which lead thus a chronic or periodic treatment 8. Thus, the aim of 
cartilage tissue engineering is to promote long-lasting, functional repair of defective articular cartilage lesions 
through the development and ex vivo manufacture of implantable artificial cartilage tissue substitutes 9. 

Polymer foams and bio-printed structures are currently being investigated for use in tissue engineering. Me-
chanical properties of these cellular solids can be varied by tailoring the morphology of the pores, the prop-
erties of the raw material and the density of the foam 10. Physical foaming techniques such as gas foaming 
are preferred in the biomechanical field as they are solvent free, do not involve chemical reactions and are 
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less toxic for added bioactive species 11,12. For the same reason, 3D printing is acquiring more and more at-
tention for biomedical structures. Moreover, this technique allows an incredible degree of freedom to design 
scaffold structure, obtaining for the first time scaffold 100% interconnected and 100% reproducible 13. Hy-
drogels are an appealing scaffold material because they are structurally similar to the extracellular matrix of 
many tissues such as articular cartilage. Integration of hydrogels with thermoplastic porous structure to 
mimic soft and strong cartilage feature is a cutting-edge approach for Biofabrication 14–17. However, issues 
regarding process windows, transformation and combination of thermoplastic materials still limit the current 
approaches. 

1.2 Objectives 
The research will particularly focus to: 

Propose and process novel hierarchical cellular structures of thermoplastic polymers.  
Analyse local properties of the cartilage, extrapolating by instrumental indentation the stiffness of 
the different hierarchical layers composing the tissue.  
Print 3D structures of medical thermoplastics by Fused Deposition Modelling / Fused Filament Fab-
rication (FDM/FFF) 3D printing. Improve the knowledge on the involved material behaviour and pro-
cessing influence at various manufacturing stages, from granules to the final printed scaffold. 
Introduce an additional degree of porosity into a 3D printed object, softening the structure and cre-
ating a hierarchical cellular geometry. This process involves Supercritical CO2 and it takes the name 
of homothetic foaming.  
Apply homothetic foaming to 3D printed structures to process multi-material structures. In particular 
only a single material will be foamed without modifying the remaining materials composing the 3D 
multi material structure. 
Apply homothetic foaming to produce a structure with similar mechanical properties than the oste-
ochondral tissue. This structure will be composed by a softer layer to mimic cartilage and a stiffer 
one for the subchondral bone. 

Chapter 2 will discuss cellular materials. Processing methods will be here introduced, with a deep focus on 
the state of the art of supercritical foaming and additive manufacturing. Osteochondral tissue defects will be 
introduced, describing the requirements to design a valid scaffold for tissue engineering applications. Chap-
ter 3 will discuss the materials selection and the main processing and characterization techniques applied in 
this study. Chapter 4 will discuss the results on processing of porous structures to create a dual porosity 
cellular material with a model material, showing the processing windows of a model material to control the 
homothetic foaming. Chapter 5 will show how to apply homothetic foaming to a single material in a multi-
material structure. Such a scaffold, mimicking the mechanical properties of articular cartilage, will therefore 
be compared with the results retrieved from Chapter 4. A multi material cellular scaffold for osteochondral 
tissue regeneration will therefore be proposed. Chapter 6 will introduce a novel additive manufacturing tech-
nology to deposit porous strands into a hierarchical micro-macro cellular structure, called 3D Foam Printing. 
Finally, Chapter 7 will present the conclusions and some perspectives. 

1.3 Approach 
The schematic of the Thesis workflow is shown in Figure 1.1. It is composed by three different stages, de-
scribed in Chapter 4, Chapter 5 and Chapter 6. Different raw Poly(lactide) based materials are transformed 
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from granules to input filaments for FDM/FFF 3D Printers and processed into cellular structures. The obtained 
structures are therefore foamed into an hierarchical cellular structure with a controlled macro and micro 
porosity. This process takes the name of homothetic foaming. Chapter 4 describes the influence of the foam-
ing parameters on the 3D structures for a neat Poly(lactide), showing how to tune the stiffness of the final 
structure during the applied processes. Chapter 5 describes how homothetic foaming was applied to medical 
materials, processing multi materials hierarchical cellular structures. Finally, Chapter 6 discusses how to com-
bine supercritical foaming and 3D Printing into a single process, called 3D Foam Printing. Two annexes com-
plete the work, providing insights into preliminary studies on the biocompatibility of the obtained structures 
and the processing window to produce controlled FDM/FFF filaments from the raw granular materials. 

 

Figure 1.1 Overview of the workflow describing the results discussed in this Thesis. 
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State of the Art 
This chapter describes first the state of the art in manufacturing of cellular structures. Materials for porous 
scaffolds are presented, with an emphasis on synthetic thermoplastic polymers. Then the discussion moves 
to solvent-free approaches, describing carbon dioxide foaming and 3D printing. One of the targeted applica-
tion is osteochondral tissue engineering. Articular cartilage composition and properties will thus be de-
scribed, as well as which solutions have been implemented in the past to target such application.  

2.1 Cellular structures 
Cellular structures are defined as an assembly of cells packed together to fill a volume. In particular, natural 
cellular materials, as bamboo and beeswax honeycomb, are usually complex hierarchical geometries, de-
signed to carry out a specific task or optimize a specific property. As an example, cellular structure in nature 
have high stiffness-to-weight ratio, better crash energy absorption, fire resistance, in-flammability, non-tox-
icity, low thermal conductivity and magnetic permeability and lower density obtained by introducing pores 
18. Man has often taken inspiration from natural cellular materials for engineering applications, as light weight 
construction, crash energy absorption, noise control, heat exchangers, purifiers, decoration and arts and 
sound damping 19. In the biomedical industry, cellular materials are required to mimic the natural organiza-
tion of the target tissue, providing a porosity for human cells to proliferate and migrate. This is especially true 
in tissue engineering applications, where a material, called scaffold, is designed to cause desirable biochem-
ical interactions to contribute to the formation of new functional tissues. A key feature of cellular material is 
the apparent density, defined as the ratio between the density of the cellular solid (ρ*) and the density of the 
bulk material (ρ0) 20 (eq.1) 

 

Cell wall thickness and cell size define the apparent density of a cellular material. At constant apparent den-
sity, an increase of cell size produces a decrease of cell wall thickness and vice versa (Figure 2.1). These pa-
rameters are also responsible of the overall mechanical properties of a cellular material. 

 

Figure 2.1 Schematic of the structure of a cellular material and of the differences among open, closed and dead-end 
porosity. 

It is important to differentiate between cells in cellular materials and cells in biology. To avoid misunder-
standing, cells in cellular materials will be defined as pores. The sum of the volumes of the single pores in a 
cellular material is defined as porosity.  
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Porosity can be divided in two main classes, (i) open porosity and (ii) closed porosity. It is common to distin-
guish these two classes in cellular materials; as different mechanical model applies to the two cases. The 
open cells are interconnected i.e. a fluid phase can flow from one cell to another and perfuse the structure. 
On the other hand, closed porosity means that each cell is sealed off from its neighbours, due to the presence 
of dead-end pores (Figure 2.1) 21,22. 

Materials can be processed into cellular structures by different processing methods. Cellular structures are 
different in terms of pore size, pore morphology and pores distribution. As example, a cellular structure pro-
duced by extrusion based additive manufacturing will often differ from one produced by foaming. Figure 
2.2Figure 2.2 Schematic of cellular structure typology envisaged in this work. A) Cellular structure produced 
by particulate leaching or supercritical foaming. B) Particle or fibre reinforced composite cellular structures. 
C, D) Cellular structures produced by based additive manufacturing. shows a schematic of these different 
typology of cellular materials. Several manufacturing methods for cellular structure, as freeze-drying, partic-
ulate leaching and supercritical foaming, have been used to such cellular structure. The main goals of such 
processes is to control pore size, morphology and orientation (Figure 2.2A, Figure 2.2B). While sharing the 
same objective, the principal different among these processes is the quality of the create porosity. In partic-
ulate leaching, pore size and morphology are based upon the particulate used (e.g. the pore size will be a 
function of the particulate diameter). In supercritical foaming, pore size and morphology will be mostly inho-
mogeneous and pore morphology might show elliptical pores towards one axis. A higher  potential to control 
pore morphology is expressed by extrusion based additive manufacturing methods, as Fused Deposition 
Modelling / Fused Filament Fabrication (FDM/FFF) (Figure 2.2C, Figure 2.2D). Additive manufacturing tech-
nologies are the only up today to be able to process 100% interconnected cellular structure. 

Within the scope of this work, we will focus on the processing of polymer cellular materials to tailor porosity 
at different scales.  

 

Figure 2.2 Schematic of cellular structure typology envisaged in this work. A) Cellular structure produced by particulate 
leaching or supercritical foaming. B) Particle or fibre reinforced composite cellular structures. C, D) Cellular structures 
produced by based additive manufacturing. 
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2.2 Mechanics of cellular structures 
Gibson and Ashby 10 did the most complete study of the mechanics of cellular solids. Their model predicts 
the Young’s modulus of a foam, E*, and the collapse stress, pl* as a function of the apparent density, */ s, 
the porosity type and the degree of cellular anisotropy. Indices “*” represent the foam properties and “s” 
the properties of the bulk solid material.  

The stress-strain curve of such structures can be divided in three zones Figure 2.3. Zone I corresponds to the 
linear elastic behaviour of the foam characterized by cell edge bending in open cell foams and additional cell 
wall elastic stretching in closed cell structures 23.  The Young’s modulus of the foam E* is given by the slope 
of the curve in this zone. Zone II shows a steady plateau. The foam collapses by buckling of cell edges and 
walls. The last one (zone III) is the densification zone where cell edge and walls come into contact. Further 
strain compresses the solid itself giving the final region of rapidly increasing stress.   

 

Figure 2.3 Schematic compressive stress-strain curve of model cellular structures 24 

Gibson and Ashby modelled the cells as a cube with cell edges and cell faces. Figure 2.4 displays the cubic 
model for an open cell (a), an open cell under load (b) and a closed cell (c) l is the edge length and t the edge 
thickness.  

 

Figure 2.4 The cubic model for (a) open cell, (b) open cell bending during linear elastic deformation and (c) closed cell24 

The theoretical relation for isotropic open cell structure is derived from this cubic model, as shown in eq. 2 
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where Es the Young’s modulus of the solid material, C1 a constant including the geometric constants of pro-
portionality, * and s the foam density and the solid density, respectively.  

Cellular structures with closed cell are more complicated to model. Cells of respectively the cellular stretch-
ing, perpendicularly to the testing direction occurs in addition to cell edge bending. Moreover, fluid contained 
within the cells have to be taken into account too because it opposes a significant resistance to compression. 
The following relation is obtained 

 

where  is the fraction of solid contained in a cell, p0 the initial pressure inside the cell, usually taken as 1 
atm, * the foam Poisson coefficient usually considered as constant and equal to 1/3. This model is for foams 
made of an isotropic material.  

This model shows that the Young’s modulus of the foam is strongly dependent on the foam density. Open 
cell foams are required in cartilage tissue engineering. According to equation 2 and equation 3, to decrease 
the foam density or to use softer polymers are the only ways to decrease the modulus of the resulting foam.  

2.3 Processing cellular structures 
Various techniques have been reported for the preparation of cellular structures. Many of them commonly 
generate constructs with poor control of pores interconnectivity, size and distribution. This affects the me-
chanical properties of the obtained cellular material, resulting in low mechanical strength, structural insta-
bility and generally low structure reproducibility. These techniques include solvent casting, freeze drying and 
foaming 25. 

Novel methods have been developed on the base of these golden standard technologies. As example, par-
ticulate leaching when used with solvent casting allow overcoming some of the limitations of these methods 
alone. Some other methods have been spontaneously acquired from other fields, such as additive manufac-
turing based technologies.  

2.3.1 Solvent casting / particulate leaching 

The process using solvent casting/particulate leaching involves the mixing of water-soluble salt particles into 
a biodegradable polymer solvent solution. The mixture is then cast into the desired shaped mold and the 
solvent is removed by vacuum drying and lyophilisation. The water-soluble salt particles are then leached out 
with water to leave a porous structure. This method is characterized by its adequate control of pore size and 
porosity of the materials, provided by the amount and size of the particulate 26. The particulates typically 
used in the field are sodium chloride, ammonium bicarbonate, or glucose with different crystal sizes 27. This 
technique has been largely adopted to create cellular scaffold for tissue engineering applications. As an ex-
ample, porous scaffolds for the growth of endothelial cells have been previously reported 28. The achieve-
ment of open, interconnected porosity is critical in such applications for ensuring proper nutrient and waste 
transport, tissue ingrowth, vascularization, and eventually, the integration of the construct within the host 
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29. While providing a generally acceptable interconnectivity, solvent casting / particulate leaching still gener-
ates closed pores which do not contribute to maximize diffusion and homogeneous tissue ingrowth. Moreo-
ver, a well-known limit of this manufacturing method is the retrain of particulates within the matrix, mostly 
due to impossibility to rinse such particles because of low permeability in certain material areas. Finally, the 
use of solvents requires a further rinsing step to prepare the material for cell seeding. 

2.3.2 Freeze drying  

This technique is based on the principle of liquid-liquid or solid-liquid phase separation. Phase separation is 
based on thermodynamic demixing of a homogeneous polymer-solvent solution into a polymer-rich phase 
and a polymer-poor phase is usually achieved by either exposure of the solution to another immiscible sol-
vent or cooling the solution below a binodal solubility curve. Thermally induced phase separation (TIPS) uses 
thermal energy as a latent solvent to induce phase separation. The quenched polymer solution below the 
freezing point of the solvent is subsequently freeze-dried to produce porous structure 26. One of the ad-
vantages of this technique is that various porous structures can be easily obtained. However, the solvent 
sublimation is time-consuming and this method is thus limited to small-scale production. The main drawback 
of this method is the use of organic solvent.  

2.3.3 Gas foaming 

CO2 supercritical foaming was widely used to develop foams at the Laboratory for Processing of Advanced 
Composites (LPAC). Japon et al. 30 developed poly(ethlylene terephthalate) PET foams using CO2 supercritical 
foaming for applications such as thermal insulation panels and sandwich structure. Mathieu et al. 11,31,32 have 
processed porous polymer composites for bone tissue engineering. Foaming of a bioresorbable polymer, 
PLLA, reinforced with ceramic fillers such as hydroxyapatite (HA) and -tricalcium phosphate ( -TCP) was 
carried out using CO2 supercritical foaming. Structural and mechanical properties similar to those of cancel-
lous bone were demonstrated. These scaffolds have then demonstrated both biocompatibility and osteocon-
ductivity in vivo 33,34. Subsequently, with the same PLLA, Bühler et al. 35–37 developed cellular composites with 
gradient of fibres content and porosity using the same method. Solvent free foaming with clean physical 
agent, which is the case for CO2 supercritical foaming, is thus considered a better alternative and is detailed 
in the next paragraph. 

Odourless, colourless, non-flammable and low reactivity gas, CO2 can have the properties of supercritical 
fluids (SCF). Above a critical temperature Tc and pressure Pc, C02 shows intermediate properties between 
those of a liquid and a gas, i.e. a density similar to those of a liquid and a diffusivity and viscosity similar to 
those of a gas 38. A schematic C02 phase diagram is displayed in Figure 2.5Figure 2.5. Its critical temperature 
Tc is 31.06°C and its critical pressure Pc 73.8 bar 23. 
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Figure 2.5 Schematic C02 phase diagram (Tc=31.06°C; Pc=73.8 bar).

The gas foaming process can be decomposed in several steps, (i) gas saturation, (ii) nucleation, (iii) cell growth 
and (iv) stabilization of the structure. All steps are dependent on gas-polymer interactions. The first step is 
the CO2 saturation of the polymer by increasing both pressure and temperature (step 1 and 2 in Figure 2.6). 
Diffusivity and solubility of the gas, temperature and pressure mainly control the gas dissolution in the mol-
ten polymer.  

The diffusivity, D, is influenced by the nature of the gas component. A large gas molecule diffuses slower than 
a small one or the more crystalline the polymer is, the more difficult the gas diffusion is. The diffusion can be 
described by the Fick’s second law given the change in gas concentration C/ t during the diffusion process 
as a function of the concentration gradient C. 

 

where D0 is a pre-exponential factor, Ea is the activation energy for diffusion, T is the temperature and R the 
gas constant. Diffusivity is therefore strongly dependent with increasing temperature.  

The solubility, S, or Henry’s constant, kH, defines the maximum gas concentration in the polymer at equilib-
rium. It depends on the saturation pressure Psat and the saturation temperature Tsat. The concentration of gas 
C at a given temperature and pressure in function of the gas solubility is given by Henry’s law (for simple gas 
at low concentration). 

 

In function of these physical laws, the parameters that can be chosen for the processing are Tsat, Psat and the 
saturation time tsat. 

Once saturation is completed, dissolved gas/polymer forms a one-phase system in a metastable state. Each 
small difference in temperature or pressure induces reactions to find another equilibrium state. At this step, 
the pressure is release quickly and the temperature is decreased. This sudden pressure release is enough to 
induce bubble nucleation. Free energy of the system is thus lowered to reach a stable state (step 3 in Figure 
2.6). 
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Figure 2.6 Schematic representation of the foaming process 39. 

Nucleation will determine pore distribution and density. Three nucleation mechanisms exist, (i) homogene-
ous, (ii) heterogeneous and (iii) a mixed mode where the two mechanisms modes compete. For example, in 
presence of fibres, nucleation can occur homogeneously in the matrix but also heterogeneously at the fi-
bre/polymer interface. C02 does not dissolve in the wood fibres but these offer sites at which cell nucleation 
can take place 23. 

The next step is the cell growth induced by pressure difference between the interior and exterior of the pore. 
The elongational viscosity and polymer surface tension counterbalance this pressure difference. The process 
parameters governing the cell growth are the depressurization rate P/ t and the cooling rate T/ t.  At the 
end, the temperature is enough low to freeze the structure and foam is obtained (step 4 Figure 2.6). 

C02 dissolved in the polymer causes a considerable modification of the rheological properties of the polymer. 
Acting as a plasticizer, the viscosity of the molten polymer is decreased. The addition of reinforcement such 
as filler or fibre affects the different steps and parameters by nucleation site addition and viscosity modifica-
tion. 

The current limitation of CO2 foaming is the control of the heat transfer and thus of the fine tuning of pore 
size and morphology. Moreover, a non-porous layer of material covers the outer edge of the structure, pre-
venting the porosity to be externally exposed. Finally, the pores morphology is often poorly interconnected, 
generating cellular structures with low permeability. 

2.4 Additive manufacturing 
In recent years, a number of automated fabrication methods have been employed to create scaffolds with 
well-defined architectures 40,41. These have been classified as additive manufacturing (AM), which seems to 
be the most used name, but also as rapid prototyping (RP) technologies and solid freeform fabrication (SFF) 
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techniques. Computer-aided design is applied to obtain precise geometries, with the possibility to tailor the 
shape on anatomical medical imaging, as MRI 42,43. Together with the development of biomaterials suitable 
for these techniques, the automated fabrication of scaffolds with tuneable, reproducible and mathematically 
predictable physical properties has become a fast-developing research area 14. 

2.4.1 Stereolithography 

Stereolithography (SLA) is a laser-based method applied to create 3D solid objects from UV-sensitive photo-
polymers and it is normally classified with the family of VAT photo polymerization. This processes usually 
employ two distinct methods of irradiation. The first method is a mask-based method in which an image is 
transferred to a liquid polymer by irradiating through a patterned mask. The second method is a direct writing 
process using a focused UV 44. Two laser sources are normally applied: a UV laser or a projector. 

2.4.2 Inkjet printing  

The process deposits a stream of micro particles of a binder material over the surface of a powder bed, joining 
particles together where the object is to be formed. A piston lowers the powder bed so that a new layer of 
powder can be spread over the surface of the previous layer and then selectively joined to it. The process is 
repeated until the 3D object is completely formed 45,46. 

2.4.3 Selective laser sintering (SLS) 

This technique uses a laser emitting infrared radiation, to selectively heat powder material just beyond its 
melting point. The laser traces the shape of each cross-section of the model to be built, sintering powder in 
a thin layer. After each layer is solidified, the piston over the model retracts to a new position and a new 
layer of powder is supplied using a mechanical roller 47. 

2.4.4 Melt extrusion/fused deposition modelling (FFF/FDM)  

The FDM process creates 3-D objects from a CAD file as well as digital data produced by an imaging source 
such as computer tomography (CT) or magnetic resonance imaging (MRI)48. The process begins with the de-
sign of a conceptual geometric model on a CAD workstation. The design is imported into a software, which 
mathematically slices the conceptual model into horizontal layers. Toolpaths are generated before the data 
is downloaded to the FDM hardware. The FDM extrusion head operates in the X and Y axes while the platform 
lowers in the Z-axis for each new layer to form. In effect, the process draws the designed model (scaffold) 
one layer at a time. Thin thermoplastic filaments or granules are molten and extruded through a nozzle in a 
layer-by-layer fashion to form a 3D object. The material leaves the extruder in a liquid form and hardens 
immediately. The previously formed layer, which is the substrate for the next layer, must be maintained at a 
temperature just below the solidification point of the thermoplastic material to assure good interlayer adhe-
sion (Figure 2.7).  
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Figure 2.7 Graphic representing the main components of Fused Filament Fabrication or Fused Deposition Modelling 
machines (FFF/FDM 3D Printing). A thermoplastic material is fed in form of filament (or less commonly granules) from 
the feeding zone through the hot end. 

With the expire of the patents protecting this technology, many companies flood the market with a variety 
of thermoplastics available in form of filament, ready to be printed. However, most of these are PLA and ABS 
matrixes with metal, wood and ceramic inclusions to improve mechanical properties, thermal stability and 
conductivity, electrical conductivity and printing aesthetics. In the last 5 years, a key buzzword in technical 
extrusion based printing has been “techno polymers”, describing a pool of advanced polymers with over 
standing mechanical properties, mostly deriving from hard engineering applications, as space and aerospace. 
Among the others, PEEK, PEK and POI represents the most represented. Those materials are mostly con-
sumed in the high-end segment of the market, where the customization freedom of 3D printing meets precise 
mechanical requirements. From the consumer side, representing the low-end segment of the market, “clas-
sic” thermoplastics have been processed in form of filament. Among them, PP, PPS, PC, PETG, ASA, HIPS, 
PVA, TPU and many others have been applied to 3D printing application with alternate results. A list of the 
thermoplastic materials nowadays available as filaments for FDM/FFF machines is shown in Table 1. 

FFF/FDM printing has been emerged as a powerful technique to process cellular structures. Overcoming 
some of the key limitation of other methods, as geometry complexity and ease of processing, this additive 
manufacturing technology has been reported to produce engineered materials with tailored properties. An 
example, honeycombs materials with high energy absorbing efficiency have been produced from TPU fila-
ments 49. In medical application, FFF/FDM printing is still mostly confined to pre-surgical modelling, producing 
anatomical models that are used are reference by surgeons to plan the surgery. PLA is the most printed 
material, thanks to the low price, high geometrical stability and ease of printability. In vivo application of 3D 
printed resorbable structures has mostly been confined to PCL printing, thanks to its low melting tempera-
ture (60 °C) and high biocompatibility 50. For bone graft applications, PLLA-co-BTCP, PLA-co-CaP and PCL-co-
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BTCP blends have been investigated as well, showing similar biocompatibility to scaffolds produced by stand-
ard methods 51–53. A great example of a successful application of in vivo 3D printing in medicine is the manu-
facturing of an ad-hoc skull bone in PMMA, a non resorbable thermoplastic 54. This case study showed how 
the customization and low-cost of extrusion based 3D printing shall represent a huge advantage in the future 
of medical applications.  

Table 1. Materias nowadays available as FDM/FFF filaments (produced by various companies). 

 

The current main limitation of cellular structures processing by FFF/FDM is the impossibility to increase the 
total porosity over a certain threshold. This is due to deposition of solid strands of materials in a layer-by-
layer fashion. While it is possible to precisely control the deposition of such strands, defining the porosity, no 
technology allows the deposition of porous strands. Minimum layer height and strand diameter are a func-
tion of the nozzle size. However, the nozzle size cannot be freely decreased without jeopardizing the printing 
speed and increasing the back pressure on the filament. Anyway the nozzle size rarely allows a smooth print-
ing below 0.1 mm.  
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2.4.5 Cellular materials in nature 

Hierarchical porous structures have been gathering interest in different fields due to their unique properties 
associated with their multi-scale features. Their unusual attributes derive from the precise functional adap-
tation of the structure at all levels of hierarchy. The observation of natural materials brought new insights 
into the functionality of cellular materials. Wood, trabecular bone, butterfly, leaves and bamboo possess a 
unique hierarchical cellular structure that allows mechanical properties otherwise impossible to achieve. Un-
derstanding of such materials have inspired new processes to produce synthetic hierarchical structures. Such 
hierarchical porous materials have shown significant potential in many applications, as energy conversion 
and storage, catalysis, separation, tissue engineering and drug delivery. Polymers in particular gathered a 
burgeoning interest because of the easy processing, allowing to produce structures at high strength/density 
ratio and high surface area with defined porosity.  

2.5 Biomaterials 
Biomaterials can be described as a set of materials suitable for introduction in the human part, often inte-
grated in a medical device or into a living tissue. From the whole pool of available materials, biomaterials are 
required to well interface with cells in a harsh and complex environment such as the body. Tissue engineering 
applications demand require degradable materials, possibly promoting tissue regeneration with the degra-
dation products or at least minimizing the inflammatory response. 

In this section, an overview on the material selection for osteochondral tissue engineering application is pre-
sented. Four major groups of materials will be discussed: (i) natural and synthetic polymers, (ii) ceramic and 
glasses, (iii) composites and (iv) hydrogels. 

2.5.1 Natural-based polymers 

Natural polymers, such as collagen, glycosaminoglycan, chitosan, starch, hyaluronic acid, alginate and bacte-
rial sourced poly(hydroxyalkanoates), are widely used for osteochondral scaffolds. They possess inferior me-
chanical properties compared to synthetic polymers, ceramics and composites, but offer the advantage of 
flexibility to adapt their shape to required forms through a variety of molding and casting techniques 55. 
Moreover, natural polymers usually retrain the active ECM of the tissue, which can help cells proliferation 
and differentiation 56–58. However, natural material may produce an immunogenic response, requiring thus 
purification prior to use and they lack of reproducibility, since their composition and properties may vary 
significantly because of harvesting, age, donor and genetics. Sterilization is a crucial problem for natural-
based polymers, as the intrinsic beneficial properties associated with the material might get lost due to the 
use of aggressive sterilization techniques.  

2.5.2 Synthetic polymers 

The most popular biodegradable synthetic polymers include poly( -hydroxy acids), especially poly(lactic acid) 
(PLA), poly(glycolic acid) (PGA) and their co-polymer (PLGA), poly( -caprolactone) (PCL), poly(propylene 
fumarate), poly(dioxanone), polyorthoesters, polycarbonates, polyanhydrides and polyphosphazenes 59,60. 
These polymers offer a wide range of chemical and mechanical variety and can be obtained with controlled 
distribution of molecular weights. The main advantage of synthetic materials is the deep scientific knowledge 
of mechanical properties control (i.e. strength, stiffness) and degradation kinetic 56. They could also be pro-
cessed by different techniques in different shapes and into cellular structures with controlled porosity 61. 
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Finally, they are getting more and more interesting thanks to emerging techniques as electrospinning and 
additive manufacturing62–64. On the other side, synthetic polymers present numerous problems, such as: (i) 
limited bioactivity due to high hydrophobicity and (ii) induction of pH modification within the tissue, due to 
degradation product (e.g. PLA degradation). Modification by surface treatments (e.g. with chondroitin sul-
phate65, silicate66, collagene67, and alkaline68) helps improving cell attachment and proliferation, as for 
inclusion of growth factors (e.g. TGF-β, BMP) 69,70. 

2.5.3 Ceramics 

Ceramics such as hydroxyapatite (HA) or other calcium phosphate (Ca-P) ceramics (including tricalcium phos-
phate, TCP) or bioactive glasses (such as Bioglass ) are used for bone grafts 59,71–73. They promote bone-like 
tissue formation, due to excellent osteoconductivity and osteoinductivity, well mimicking bone surface 
chemistry to attract cells and guide their proliferation and differentiation. Often, ceramics find a role as filler 
in polymer-based composite materials, known to promote bone-like apatite layer formation on their sur-
faces, improving implant fixation and stability 74,75. The main advantage of ceramic materials is their chemical 
stability, allowing a good implant inertia, a smooth surface and promoting a fainter inflammatory response. 
However, ceramic implants are susceptible to brittle failure, possible causing severe tissue damage in case 
of accident. For these reasons, ceramics shines in surface treatments application or for dental implants, 
where their features are often key success factors. 

2.5.4 Hydrogels 

Hydrogels are highly hydrated polymer networks and represent an appealing scaffold material because they 
are structurally similar to the extracellular matrix of many tissues 76. Hydrogels are defined as hydrophilic 
polymer networks, which may absorb up to thousands of times their dry weight in water 77. They are com-
posed of hydrophilic polymer chains, which are either synthetic or natural in origin. Synthetic materials used 
to form hydrogels include poly (ethylene oxide) (PEO), poly (vinyl alcohol) (PVA), poly (acrylic acid) (PAA), 
poly (propylene furmarate-co-ethylene glycol) (P(PF-co-EG)) and polypeptides. Synthetic hydrogels give the 
advantages to control and reproduce their chemistry and properties such as molecular weights, block struc-
ture, degradable linkage, and crosslinking mode. Naturally derived polymers are represented by agarose, 
alginate, chitosan, collagen, fibrin, gelatine, and hyaluronic acid (HA) 76. The structural integrity of hydrogel 
depends on crosslinks formed between polymers chains via various chemical bonds and physical interactions. 
Hydrogels used for scaffold material are typically biodegradable. They can be processed under relatively mild 
conditions and can be delivered in a minimally invasive manner 78,79. A broad discussion on advantages and 
drawback of hydrogels is required, but the quick evolution of this class of materials and the huge variety of 
formulations prevent quickly summarizing the points in few lines. As general rule, hydrogels possess inferior 
mechanical properties compared to other classes of materials and often encounter stability issue due to their 
biphasic properties (e.g. swelling). However, their similarity to ECM matrix, their high water content and their 
ease of processing into different viable formulation allow an even higher degree of freedom compare to any 
other material. For this reason, hydrogel might be considered as the most applied class of material for tissue 
engineering applications. 

2.5.5 Composites 

As previously discussed, polymeric synthetic materials are often selected for the ease of processing, their 
restrained cost and the possibility to control their chemistry, allowing the tailoring of material properties. 
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However, some interesting polymers still do not possess the adequate stiffness or, more often, when pro-
cessed in form of highly porous cellular materials, most of the materials lose their intrinsic mechanical prop-
erties. The addition of short fibres or particles with different volume to area ratio in a polymer improves the 
mechanical properties of the original material, producing what is called a composite material. As an example, 
poly(ethylene-glycolide) hydrogels have been reinforced with natural nanofibers to produce a suitable ma-
terial for nucleus pulposus replacement 80. Poly(lactide) materials have been reinforced with different ceram-
ics particles (e.g. hydroxyapatite and -tricalcium phosphate) for bone graft application to improve foam 
stiffness 58,81. Moreover, bioactive agents as organic glass (e.g. Bioglass ) and calcium sulphate demonstrated 
a beneficial effect on osteochondral healing, improving not only the original mechanical properties of the 
polymeric matrix, but also the surface and biological properties 82. The main drawback of composite materials 
is the difficulty to homogeneously disperse the fillers in the matrix, therefore leading to non-homogeneous 
properties. Moreover, degradable composite materials require a careful tailoring of the degradation kinetic 
of the single materials, which might be incompatible in this sense and lead to premature filler migration from 
the matrix into the body. 

2.6 Applications of cellular materials: osteochondral scaffolds 

2.6.1 Osteochondral tissue 

Biological tissues are known to be hierarchical structures, i.e. possessing multi-scale features (e.g. collagen 
alignment or different degree of porosity) that enhance the overall properties of the plain tissue. Among 
these tissues, cartilage has one of the most peculiar structures showing a steep mechanical gradient. This 
gradient allows a smooth transition from the top surface of the tissue (i.e. the superficial layer) towards the 
subchondral bone. Articular cartilage is composed of a solid matrix, which primarily consists of proteoglycans 
(PGs), collagens (mainly type II) and water. PGs create a swelling pressure and are mainly responsible for the 
compressive stiffness 83. Collagens resist the swelling of articular cartilage and strongly determine cartilage 
tensile properties 83,84. Articular cartilage is structurally inhomogeneous and possesses anisotropic and non-
linear mechanical properties both in compression and tension 85–87.  The articular cartilage is a specialized 
connective tissue covering the extremity of the long bone. Its function is to provide lubrication and facilitate 
load transmission in articulations, as for knee and fingers. The articular cartilage of the tibia is located on its 
top portion, while the articular cartilage of the femur is on its end, covering it. It is the articulating portion of 
the epiphysis that is coated with a layer of hyaline cartilage. Bone is another example of hierarchical tissue. 
It is composed by an outer dense shell, called cortical bone, enclosing a nucleus of interconnected porous 
cellular structure, called trabecular bone. As trabeculae grow only along the principal stress axes, this struc-
ture allows the tissue to fulfil a load-bearing function minimizing the quantity of material employed, reducing 
body weight and boosting the biomechanical performances. Articular bone surfaces are covered in a thin 
layer of articular cartilage, defined as hyaline, which provides a smooth surface and protects the underlying 
bone from damage. The composition of bone and cartilage takes the name of osteochondral tissue. 

The osteochondral tissue shows a steep mechanical gradient from cartilage superficial layer to subchondral 
bone. A key requirement to design scaffolds for osteochondral tissue engineering is therefore to reproduce 
such mechanical properties. This result could be achieved by varying scaffold porosity and composition 
throughout the thickness. Different methods have been applied in literature to produce a cellular structure 
with a continuous mechanical gradient using synthetic polymers. A common method is to increase the pore 
size along the longitudinal direction, reducing therefore the stiffness while increasing the permeability and 
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the porosity. This approach has been investigated for a PCL cylindrical scaffold by centrifugation and thermal 
fibril bonding 88. Particulate leaching has been largely applied in this sense, having the possibility to control 
the pore size by changing the particulate size and concentration 89. Freeze drying produce promising results, 
especially in combination with centrifugation to produce radial pores variation in a  collagen scaffold 90,91. 
Electrospinning of a micro porous mesh on top of a 3D printed structure has been reported by Puppi et al., 
producing a dual porous cellular structure 92. Others proposed methods to continuously control the concen-
tration of a reinforcement material, in form of particles or fibres, through longitudinal axis 93.  

Nowadays, the introduction of additive manufacturing technologies allows a precise deposition control of 
different classes of materials into complex 3D geometries. Multi-material scaffold with gradient mechanical 
properties (e.g. due to porosity and pore size increase/decrease) are easily created by Fused Filament Fabri-
cation, Multijet, Binder Jetting and Biofabrication 16,94. However, while virtually any geometrical complexity 
is not an issue for additive manufacturing and the precision of most of the applied technologies is in the 
micro-meter scale, the transition through one direction is always discrete and never continuous. This is an 
intrinsic issue of any layer-by-layer manufacturing method, as properties may only vary among two different 
layers. Scaling down layers height would help, but only up to the minimum reproducible feature printable by 
the machine. Also, a discrete gradient is produced as a result of additive manufacturing methods, likeable to 
incur in delamination issue at the interface between the different materials. 

2.6.2 Composition of the osteochondral tissue 

Likewise other tissues, articular cartilage is composed of cells called chondrocytes, which are dispersed in a 
firm gel-like ground substance, the extra cellular matrix (ECM). However, differently from other connective 
tissues in the body it is fully avascular, lacking of blood vessels. This intrinsic feature of cartilage is the key 
factor limiting the regeneration potential of the tissue, since cells, nutriments and signalling molecules can-
not easily reach the injured site. Moreover, chondrocytes are unable to migrate, being bounded in small 
niches (lacunae). This scenario leads to the development of stable defects or, more commonly for higher 
injury grade, to a progressive degeneration of the tissue after serious damages. This observation arose al-
ready in 1743, when William Hunter sated, “an ulcerated cartilage is a troublesome problem and once de-
stroyed, it never repairs” 95. Some cases produce worse scenario with the proceeding of the injury. In the 
knee joint, where cartilage defects are common due to the high stress due to sport, excessive body weight 
and accidental falls, untreated injuries can become symptomatic and progressively lead to premature arthri-
tis 4. Articular cartilage composition is shown in Figure 2.8. 
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Figure 2.8 Articular cartilage composition and organization at the different layers composing the tissue (adapted from 
https://musculoskeletalkey.com). 

Cartilage is found in different spots: the joints, the rib cage, the ear, the nose, the throat and between inter-
vertebral disks. Therefore, the tissue evolved to adapt to specific local needs (e.g. stiffness, lubrication, load 
bearing), differentiating into three different classes: hyaline, elastic, and fibrocartilage.  

2.6.3 Osteochondral defects 

Cartilage repair is a challenging clinical problem because once damaged in adults, it never regenerates. The 
resulting defects may further lead to osteoarthritis OA96. OA affects about 10% of the US population older 
than 30. By age 40 years, 90% of the population harbors degenerative changes in their weight-bearing joints, 
ultimately leading to pain and immobility97. OA affects more people than any other joint syndrome does with 
direct costs estimated at 60 billion dollars a year in the U.S. as result of 20 million disabled citizens6. The 
result of this disease is the destruction of cartilage matrix leading to a progressive loss in joint function and 
pain.  

Cartilage lesions can be divided into partial thickness defects which do not penetrate the subchondral bone 
and do not repair spontaneously, and full thickness defects which do penetrate subchondral bone have a 
partial repair potential, depending on the size and locations of the defect 98 (Figure 2.9Figure 2.9). 
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Figure 2.9 Osteochondral and chondral cartilage defects99 

Subchondral bone disruption produce blood leaking into the defects, leading thus to mesenchymal cells re-
cruiting from the bone. This includes also growth factors and cytokines, which are known to be important 
signalling molecules for cells differentiation and proliferation 100,101. However, the repair response typically 
leads to the formation of fibrocartilage as neo-cartilage, which possess inferior mechanical properties com-
pare with articular cartilage. Fibrocartilage fails to withstand the stresses of normal joint function and after 
long-term follow-up, degeneration of both repaired and adjacent native tissues is observed 5,102. 

OA and joint injuries are significantly correlated. Knee joint injuries were 7.4 times as likely to induce knee 
OA more than to those individuals who did not have a history of knee injury 103. This observation is also true 
for hand joints, which however have a lower frequency due to different loads across joint life. Repair of ar-
ticular cartilage is then a crucial goal in case of injuries of defects, which otherwise may produce serious 
degenerative effects on the joint and on life quality. 

2.6.4 Osteochondral tissue engineering 

Tissue engineering is a multidisciplinary field that joins developments in cell/molecular biology, materials 
science and engineering, chemistry and medical science towards the development of hybrid substitute com-
bining biodegradable scaffold, cells and signalling molecules such as growth factors aimed at restoring tissue 
or organs functions 5. Tissue engineering has the potential to be used in the regeneration of organs or tissues 
such as articular cartilage and is considered as a potential osteoarthritis treatment strategy superior to the 
current surgical techniques 4–6,104. This is due to limited results of conventional surgery procedure in the long 
term 8 and the symptomatic approach, which lead thus a chronic or periodic treatment. Thus, the aim of 
cartilage tissue engineering is to promote long-lasting, functional repair of defective articular cartilage lesions 
through the development and ex vivo manufacture of implantable artificial cartilage tissue substitutes 9. 

Conventional tissue engineering is based on three principal elements: (i) scaffolds, (ii) cells and (iii) bioactive 
molecules such as growth factors or proteins. These three elements combined are placed in a biological en-
vironment to produce engineered tissue in vitro or tissue regeneration in vivo (Figure 2.10). These three 
elements are interdependent and thus the best strategy is to take in account the specific requirement of 
each element in the development 6. 
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Figure 2.10 The three conventional tissue engineering principal elements6,39.

The role of the scaffold is to provide an artificial matrix that mimic and recreate the structural organization 
and functionality of the native cartilage and bone structure. The bioactive molecules will act on the cells to 
promote a desired tissue such as hyaline cartilage rather than fibrocartilage in cartilage tissue engineering.    

Tissue engineering approaches may also exclude the presence of a scaffold and are called “scaffold-free” 105. 
In this technique, cells and bioactive molecules are mixed and injected in the defected area, together with a 
carrier material. The general idea is to overcome scaffold-seeding procedure, which still shows limitation in 
cells diffusion and proliferation towards scaffold bulk 56. However, a limitation in this case is the difficulty to 
keep cells in place: in most of the cases, cells, migrates towards the tissue instead of proliferating and depos-
iting ECM, leaving to the reformation of a gap region 56. Lately, the technique has been proposed as an alter-
native for cartilage regeneration to overcome concerns about long-term scaffold safety. Shimomura et. all 56 
proposed a scaffold-free 3D tissue-engineered construct (TEC) composed of MSCs derived from the synovium 
and ECMs synthesized by the cells 10. These TECs are developed without an artificial scaffold, and, thus pre-
vent from chemical or biological contamination. Also, they demonstrated to enhance cartilage repair in large 
animal models 10,106.  

2.6.5 Requirements for osteochondral tissue engineering 

Scaffold for osteochondral tissue engineering operates as load-bearing structures that mimic tissue ECM to 
ensure the best match possible between surrounding natural tissue and cells seeded within the scaffold, 
promoting neo-tissue formation 8,107. Scaffolds fabricated from biocompatible materials should not elicit im-
munological or foreign body reactions. Furthermore, scaffolds have to be chosen to be degraded and be 
resorbed at a controlled rate at the same time as cells seeded into the 3D construct attach, spread and pro-
liferate, e.g. forming new tissue 108. Osteochondral scaffolds should have suitable surface chemistry and to-
pography for cell attachment, proliferation and differentiation, and the mechanical properties of osteochon-
dral scaffolds must be tailored to match those of the host tissues at the site of implantation. 

The critical requirements of cartilage tissue engineering are (i) material selection, (ii) scaffold design (poros-
ity: porosity content, pore size distribution and interconnectivity), (iii) the choice of the adequate cell source 
and (iv) bioactivity (e.g. choice of best growth factors and delivery methods). MultiMuti-material scaffolds 
require interface control between the different materials to avoid delamination. Moreover, properties 
should change gradually to ensure a smooth transition from soft to strong modulus 5. 

For Ahsan et al. 109 the complete repair of cartilage defects requires two processes in general, namely (i) the 
integration of the repair tissue with the surrounding host articular cartilage and (ii) the filling of the bulk of 
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the cartilage defect with tissue that is characteristic of normal articular cartilage. In many cases, the repair 
fails due to a poor integration of the implant with the host tissue. Interface body/scaffold is a crucial concept 
in cartilage tissue engineering, because it could represent one of the key of success of the implant. It has 
been demonstrated that osteochondral plugs induce a layer of necrosis around the defect, leading thus to 
the impossibility for cells to migrate towards the scaffold, causing then a failure. Some solutions suggest the 
application of enzymes to relax the collagen fibre mesh around the defect, disrupting part of the ECM and 
allowing then cells to flow again through the interface 110. Finally, often repaired tissue is closer to fibrocar-
tilage, which has poor mechanical properties compare to the healthy articular cartilage. This drawback is due 
to a lack of understanding on cells differentiation and mechanical stimuli, which are fundamental for chon-
drocytes to deposit the correct composition of ECM. 

2.6.6 Scaffold design for osteochondral tissue engineering 

In tissue engineering, a scaffold is defined as a structure able to guide cells migration, differentiation and 
proliferation into a desired cell type, layering a new extracellular matrix (ECM) that will eventually entirely 
substitute the existing scaffold. Therefore, an ideal scaffold is a biodegradable material, which degradation 
kinetic should match the ECM produced. On top of that, it would be preferred to select a material which 
degradation products positively interact with the surrounding tissue when released, e.g. acting as a catalyst 
to enhance ECM deposition or nourishing the cells population. The macrostructure mechanics of a scaffold 
is therefore the dynamic equilibrium between material degradation and matrix deposition. 

Cellular geometries are often required to design 3D scaffolds for tissue engineering, allowing metabolites 
diffusion, waste transport and cells migration, all essential processes to enhance ECM development. Funda-
mental parameters to control are therefore pore size and pore morphology. Open porosity and full intercon-
nectivity among the different pores are required in tissue engineering application to allow cells to colonize 
the maximum surface of the scaffold, allow blood vessel ingrowth (e.g. for bone repair) and allow interstitial 
fluids to freely flow in and out the structure (e.g. for cartilage repair). Mechanical properties are deeply in-
fluenced by the chosen degree of porosity and type of porosity: a highly porous scaffold will show inferior 
mechanical properties compared to a bulk structure, as a highly porous scaffold with 100% open porosity will 
perform worse than a 100% closed porosity scaffold with the same degree of porosity. Finally, it has been 
demonstrated that cells differentiation and proliferation could be directed by changing pores dimension, i.e. 
modifying stress and strain distribution experienced by the cells in the volume. As an example, Guo et al 111 
suggest that the target pore size in scaffold for cartilage tissue regeneration should be less than that for bone 
repair.  

The design of osteochondral scaffold is therefore a complex task, which require a good planning in terms of 
materials and geometries to allow the regeneration of two different tissue, cartilage and bone, with two 
different cells population, function and mechanical properties.  

Single material scaffold 

Single material scaffolds are the most straightforward compromise for osteochondral tissue engineering. This 
solution has been adopted since the very firsts attempt to induce osteochondral regeneration, using one or 
multiple different methods to process the desired scaffold 112,113. The strategy is to design the desired scaffold 
and seed osteochondroprogenitor cells or chondrocytes (e.g. the prominent cells population in cartilage) on 
top of that. The main advantage is indeed the simplicity of the approach, which happens to be also the main 
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limitation. Cells reacts differently if exposed to different chemical, physical and biological stimuli. A single 
material scaffold rarely possesses the property to show different surface properties throughout the thick-
ness. This limitation translates to the impossibility to precisely control cells differentiation into different cell 
types when the scaffold is seeded with osteochondroprogenitor cells or avoid dedifferentiation of chondro-
cytes. As specific cells deposit specific ECM, this prevents the possibility to regenerate correctly the required 
subchondral bone.  

Multi-material scaffold  

In order to offer different surface chemistry and local mechanical stimuli to induce different cells proliferation 
and differentiation, alternative solution comprehending two or more materials have been proposed. As an 
example, two materials shall be coupled in a single structure to provide adequate support to cartilage and 
bone regeneration. Such a structure would therefore be seeded with two cells type: chondrocytes on top 
and osteoblast on bottom. The bone-side layer should possess a higher stiffness compared to the cartilage-
side, along with the presence of ceramic-like particles for osteoconduction and osteoinduction. The cartilage 
side requires smaller pores, but also a lower stiffness and an adequate permeability to allow a proper flow 
of metabolites. This latter point is particularly important in cartilage, given the absence of blood vessels to 
supply nutriments to the cell population.   

The main disadvantage of this approach is the difficulty of manufacturing: current processing methods rarely 
involve the use of multi-materials and if so, delamination of the two materials is often the main cause of 
failure. A strategy could be: (i) design two different scaffolds (ii) seed two different cells population it the 
scaffolds and (iii) joint the two scaffolds before implementing the in vivo application. However, delamination 
might still occur and having to deal with cells-loaded scaffolds and the addition of further different steps 
could compromise basic requirements. Moreover, delamination induced by sterilization priori the cells seed-
ing (e.g. by heat sterilization in autoclave) might trigger interface degradation between the materials.   

A smart solution could be to seed chondrogenic progenitors cells and to design a bioreactor (e.g. a device 
able to reproduce the desired chemical, mechanical and electrical stimuli to induce cells differentiation into 
the desired cells type) to stimulate differently the top-side and the bottom-side of the scaffold, inducing cells 
differentiation and proliferation. An exemplification of the different approaches is shown in Figure 2.11 
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Figure 2.11 Different material can be seeded (i) with two different cells type and joint afterwards (ii) with two different 
cells type after being joint and (iii) with the same cells type and use a bioreactor to induce a different differentiation60. 

2.6.7 Mechanical properties of the osteochondral tissue 

Looking at cartilage with an engineering frameset, it could be approximated to a fibre reinforced composite 
material. It provides a bearing surface with low friction, distributing the loads applied to the articulation. 
Osteoarthritis (OA) arise as a consequence of the loss of such mechanical behaviour of the articular cartilage. 
This represent one of the first reason why in order to develop a solution to target OA, the mechanics of the 
tissue should be well understood and reproduced as closed as possible. Different works investigated the 
zonal mechanical properties of cartilage by mean of optical and acoustic methods, giving insights into the 
differences that occur between healthy and ill tissues. The biomechanical response of articular cartilage to 
in vitro compressive loading conditions has been described for indentation 114–116, confined compression 
87,116,117, and most recently unconfined compression 118–121. In particular, Poisson’s ratio, stiffness and energy 
dissipation 4,122,123 and Young modulus 124 have been object of investigation, even though mostly related to 
the overall tissue. Viscoelasticity measures have been related to the bulk tissue, mostly relying to theoretical 
models. 

Articular cartilage properties arise from two factors: its multi material composition and the equilibrium be-
tween living cells and extracellular matrix composing the tissue. In particular, cartilage extracellular matrix 
composition and organization are extremely important to understand the tissue mechanics. The most com-
mon coefficients used to describe the cartilage properties are the Young’s modulus E, the compressive ag-
gregate modulus Ha, the shear modulus G and the Poisson’s ratio v. In this work, we will focus on the com-
pressive response of the articular cartilage, extrapolating the Young’s modulus and the aggregate modulus 
(Table 2). 
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Table 2 Summary of the mechanical properties measure for articular cartilage in different animal models and harvesting 
zones. 

Coefficient Estimated value in literature Reference 
Tensile Young’s modulus Et 1-30 MPa 84,125,126 

Compressive modulus E 0.01 to 10MPa 127–129 

Shear modulus G 0.13 MPa  130,131 

Poisson’s ration v 0.1 to 0.4  132–134 

Aggregate modulus Ha 0.08 to 2.1 MPa 86,135,136 

Permeability k 1x10-15 m4/N (condyle) 137,138 

Average thickness (humans) 2.3 mm (condyle), 3.5 mm  139–141 

 
Different studies have been trying to highlight the articular cartilage compressive properties under, carrying 
out test in confined and unconfined conditions by bulk compression and indentation 142–144. The compressive 
Young’s modulus is extracted from the linear region of the stress-strain curve of the tissue under different 
testing conditions (e.g. compression speed, hydration, etc.), while the aggregate modulus is measured at 
equilibrium, when the liquid phase has ceased flowing though the material. The compressive properties are 
mostly influenced by water and proteoglycans content and distribution 145. Proteoglycans influence is ex-
plained with the strong repulsive forces developed between groups of proteoglycans in absence of water, 
which forces the tissue to oppose resistance to the deformation. The aggregate modulus correlates positively 
with the water content and negatively with the proteoglycans content. Collagen content influence is negligi-
ble, influence little to none the compressive stiffness.  

2.6.8 Measurements of the articular cartilage local stiffness 

The access to study the influence of the different layers in the osteochondral cartilage on the overall tissue 
behaviour has been limited to technical difficulties, which did not allow investigating precisely the local prop-
erties. Donor kind and age and the harvesting site affect the quality of the cartilage, inducing therefore a 
change. To access to local properties of the different layers, it should be ideally possible to differentiate a 
point of discontinuity between the different cartilage zones and then apply a method sensitive enough to 
probe the area of interest. However, as demonstrated for the Young Modulus, a precise model of scaffold 
able to reproduce the cartilage tissue needs to mimic the dynamic behaviour of the tissue, including the 
relaxation and creep responses. One of the main reasons why this is particularly important compared to other 
tissues is the peculiar mechanism adopted by the cartilage to collect nutriments from the surroundings, 
which relies on the fluid flow through the thickness.  Therefore, a new protocol to measure human articular 
cartilage gradient stiffening by nano indentation was determined in this work. The following results were 
obtained in collaboration with Jens Antons from the Laboratory of Biomechanical Orthopedics (LBO) at the 
EPFL and Jiri Nohava from Anton Paar (Peseux, Switzerland). The author contribution was related to the im-
plementation of the testing protocol and mechanical measurements.  

Indentation tests were performed by an ad-hoc instrumental indenter developed to measure the mechanical 
properties of soft materials (Bioindenter™ from Anton Paar, Peseux, Switzerland). Samples were harvested 
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from six different human donors. The average value was calculated on the base of four out of six indentation 
lines on six different donors, e.g. excluding donor 1 and 3, with as average n = 3 measures per spot. The first 
indentation was performed 100 μm from the superficial zone towards the bone as indicated in Figure 2.12. 
Each consecutive indentation was performed at a distance of 100 μm from the previous. Subsequently, 11-
40 indentations spaced by 100 μm was performed on cross-sectioned cartilage towards the bone. Each set 
of measurements from superficial zone to subchondral bone takes the name of indentation line. Three par-
allel indentation lines with a gap of 800 μm were measured.   

 

Figure 2.12 Schematic of cell organization (left) and collagen fibres orientation in the extracellular matrix (right) from 
superficial layer (top layer) through the subchondral bone. An exemplification of the indentation sites is shown through 
the thickness (X mark) 

All of the indentations showed a constant increase of Young’s modulus from the top surface of the sample 
(e.g. superficial layer) to the bottom (e.g. bone). The range of values increases from a minimum of 0.02 ± 
0.003 MPa at the superficial layer to a maximum of 6.44 ± 1.02 MPa at the subchondral bone. In Figure 2.13 
Depth-dependent Young’s modulus of human femoral condyle cartilage. The relative depth corresponds to 
the distance between the superficial layer (0 %) and subchondral bone (100 %) and was normalized for each 
sample; n=3; standard deviation shown for each sample separately on the right.Figure 2.13 is it possible to 
appreciate the gradual increase of the tissue Young’s modulus compared to the relative depth, meant as the 
distance between the cartilage superficial layer and the subchondral bone.  
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Figure 2.13 Depth-dependent Young’s modulus of human femoral condyle cartilage. The relative depth corresponds to 
the distance between the superficial layer (0 %) and subchondral bone (100 %) and was normalized for each sample; 
n=3; standard deviation shown for each sample separately on the right. 

These results well compared to previous works from Chen et al.129,146, where zonal properties were extrapo-
lated from bulk compression measurements. In this study, a constant increasing gradient from the superficial 
layer to the subchondrial bone was highlighted as well. Moreover, even though their measurements were 
performed on the cartilage femoral head, the range of Young’s modulus was comparable to our results. They 
reported an equilibrium confined compression modulus between 1.16 ± 0.20 MPa in the cartilage superficial 
layer to 7.75 ± 1.45 MPa in the deep layer while we measured between 0.020 ± 0.003 MPa and 6.44 ± 1.02 
MPa from cartilage superficial zone towards the subchondral bone by nanoindentation. The main difference 
discriminating our approach compared to Chen et al. was the side of indentation: while in our study we per-
formed indentation lines from the cross-section of the tissue (e.g. side to side), the latter mentioned study 
lead all the analysis from the transversal section (e.g. top to bottom). Our hypothesis is that it would be 
possible to relate the two measurements between them. As a matter of fact, previous studies discovered 
that measuring local mechanical properties by atomic force microscopy from the cross-section or the top of 
porcine articular cartilage samples only made a small difference in Young’s modulus (superficial: 20% lower, 
middle: 14% lower, deep: no difference) 147.  

2.7 Conclusions and challenges 
In spite of the variety of methods investigated to produce hierarchical polymer cellular structure, none of the 
presented technologies offer the possibility to create macro and micro porous structures with controlled 3D 
shape. Many of the most applied methods from the state of the art allow to control the micro porosity within 
a range from hundreds to few micro meters, as particulate leaching and freeze drying 27,90,90,148–150. What they 
still miss is the possibility to precisely shape the 3D structure, producing complex geometries with a tuneable 
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macro porosity. On the other hand, additive manufacturing offers the possibility to precisely reproduce a 3D 
geometry without incurring into the processing limitations of mold-based and subtractive methods. How-
ever, the smallest reproducible feature by additive manufacturing methods is defined by technological limi-
tations, as the nozzle diameter in FDM/FFF. This prevent the possibility to design a micro porosity within the 
3D structure and limits the structure porosity, often producing geometries with up to 80% porosity. This is 
particularly crucial in medical applications, where a high degree of porosity to promote cells growth and 
proliferation is required. 

Scaffold-based osteochondral tissue engineering is one field where hierarchical cellular structures find an 
ideal application. The anisotropic mechanics of this tissue derives from the progressive modification in tissue 
composition and organization. As previously seen, the local stiffness gradually increases from the superficial 
cartilage layer to the subchondral bone, creating therefore a mechanical gradient. A lot of effort has been 
put in research to design the ideal solution to repair osteochondral defects, with many groups actually work-
ing on different approaches, materials and technology. However, today no tested solution fits the ideal result 
of complete tissue regeneration and function recover in the long period. The notable amount of works pro-
duces an intrinsic difficulty to compare all the results, since each solution is tested on different materials, 
animal models, conditions, cells and anatomic section. A general guideline can be however drawn from the 
literature analysis: 

 Scaffold mechanical properties should match the one of the target tissue (e.g. human articular carti-
lage and bone). This is obvious from all the implant failure due to poor scaffold integration into the 
host tissue and the common problem of production of under-performing cartilage due to unnatural 
mechanical stimulation. The correct approach would require to retrieve the target properties of the 
tissue and used them to design the desired scaffold.  

 Osteochondral implants as opposed to cartilage implant should be preferred, allowing therefore a 
better integration of the graft within the tissue. The presence of the subchondral bone in the oste-
ochondral implant would guarantee a better fixation in the articulation, both during the surgery and 
in the first weeks after the implant. The latter is particularly true because of the fastest regeneration 
occurring in the bone phase of the articulation, as opposed to the slowest of the cartilage tissue. 
Such a regeneration, also happening within the implant, would help steadily fixing the graft to the 
tissue.  

 Biomaterials with proven biocompatibility, low inflammation promotion and active or low-impact 
degradation products should be considered for this application. Given the structure of the articular 
cartilage, hydrogels are appealing materials because of their high hydration state that promotes cells 
adhesion, proliferation and differentiation. However, they do not possess the mechanical strength 
to reproduce the tissue mechanics.  
 

To summarize, the idea scaffold should closely mimic the bio-mechanic of the target osteochondral tissue, 
providing a smooth transition from the top layer of the articular cartilage to the subchondral bone. It should 
be tailored to describe mechanical properties differences across the thickness as the natural tissue, to induce 
a mechanical stimulation dependent on tissue thickness. Discrete regions of the scaffold are optimized for 
selective growth of the desired tissue by utilizing different material types, material properties, internal archi-
tectures (such as the porosity and the pore interconnectivity), cells and biological factors. It should be com-
posed by at least two different materials seeded with different cells typestype, one for the articular cartilage 
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and one for the bone. Finally, it should be composed of degradable materials, possibly tuned or easily tune-
able to optimize the different degradation kinetics to ECM deposition in order to guarantee a constant load 
bearing function over time. The ideal scaffold could be constituted by a multi material polymer structure with 
a dual degree of porosity to match tissue mechanical properties and the local deformation required to induce 
cells differentiation and growth. This multi material scaffold could therefore be impregnated with a bioactive 
hydrogel to promote cells adhesion and seeding. 

Additive manufacturing has the great potential to manufacture a complex geometry that would be able to 
mimic the desired stiffness gradient. Filament Fusion Fabrication (FFF) would represent the best technology 
in this sense, having a broader range of available materials and having the possibility to combine them into 
a single geometry. This solution has already been investigated 151–153, showing good results for bone regen-
eration. A further step would be required to adapt the technology to cartilage application, where a softer 
material or a more porous geometry would be required to reduce scaffold stiffness and match the mechanical 
properties shown by the tissue at each constituting layer. Supercritical CO2, could represent an interesting 
choice to allow increasing the scaffold porosity by inducing the foaming process to occur within the 3D ge-
ometry previously created by FFF. This approach will be investigated in this project to produce hierarchical 
scaffold with a controlled micro and macro porosity within the range of 2 – 4 mm thickness.  
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Materials and Methods 
3.1 Materials 
Two classes of materials were considered. Natureworks Poly(lactide) was selected as model material to vali-
date extrusion, foaming and characterization methods. The same protocols were then applied to process 
different medical grade biopolymers. Five materials were processed: a medical Poly-L-lactide (Evonik Re-
somer L207s), two medical copolymers (Evonik Resomer LC 703s and LG 855s) and two in-house medical 
blends (Evonik Resomer L 207s/10wt% PEG35000 and L207s/10wt% -TCP). A resume of selected materials 
and related properties is shown in Table 3.  

Table 3 List of the materials used in this study. 

 

3.1.1 Model materials 

Thanks to its good stability, low price and limited shrinkage/warping during the printing process Poly(lactide) 
(PLA) is one of the most used materials in Fused Filament Fabrication / Fused Deposition Modelling 3D print-
ing. Furthermore, PLA is a degradable biopolymer often applied to create packaging and degradable devices. 
PLA degradation has been intensively investigated in the past and it can be easily tailored to the desired 
kinetic and lifetime. Also, the PLA degradation product, the lactide acid, is a native compound in nature and 
can be processed by physiological cycles.  

Two different grades of Poly(lactide) were chosen as model materials: PLAm1, specifically designed for ex-
trusion/thermoforming applications and PLAm2, often used as a reference material for FFF/FDM 3D printing 
applications.  

3.1.2 Medical materials 

The first explored medical grade material was a Poly(L-lactide) (PLLA), reported to be an ideal candidate 
among medical Poly(lactide) for foaming and bone replacement 39,154. From the very same polymer, two ma-
terials were produced: a polymer/ceramic composite (Poly(L-lactide)/10wt% -TCP) and a blend Poly(L-lac-
tide-co-ethylene glycole 35k). They will be referred as PLABTCP and PLAPEG. 
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Poly(ethylene glycole) (PEG) has been widely used as a plasticizing agent to increase flexibility, damping prop-
erties, impact resistance, deformation and resilience, all being interesting properties to justify the use of 
PLAPEG constructs in cartilage repair 155,156. PEG (Mn=35'000 g/mol, Aldrich) was used for the blending with 
PLLA owing to its relatively good stability in human body condition 39,157 and its glass transition temperature 
of approximately 34°C (below the normal body temperature) implying the amorphous content to be in the 
rubbery state in vivo3 9. However, the molar mass of the PEG was limited to values below 40’000 g/mol, higher 
values being reported to induce problems with PEG excretion from the body158.  

Beta-Tricalcium phosphate ( -TCP) as ceramic particles have been widely used in blended systems for bone 
tissue engineering 159,160. They have been recognized as an attractive biomaterial because of their similar 
chemical composition to the mineral component of the bone and their osteoinductivity. -TCP is thus a good 
candidate to be used in the subchondral bone part of the osteochondral defect to promote osteogenesis 161. 

Finally, other medical grade copolymers, a Poly(lactide-co-caprolactone) (PLAPCL) and a Poly(lactide-co-gly-
colide) (PLAPGA) were investigated to enlarge the range of medical grade material suitable for the production 
of filament for FDM 3D Printers. PLAPCL is a soft thermoplastic material often applied to manufacture vascu-
lar devices 162. The presence of Poly(caprolactone) allows higher deformation to the copolymer compared to 
the pure Poly(lactide), offering an interesting range of mechanical properties in soft tissue engineering appli-
cation. PLAPGA is a stiff copolymer largely applied in orthopaedics applications, especially to manufacture 
bone and cartilage grafts163. 

3.2 Processing methods 
PLA polymers are hygroscopic and are thus susceptible to thermal degradation during processing. The water 
can come from different sources such as inadequate storage and handling that can considerably affect the 
quality of the end-product. This justified the necessity to dry the polymer before carrying any tests. Absorp-
tion of moisture by the polymer feedstock is reported to induce significant problems due to water vaporiza-
tion during extrusion and foaming processes. Morphological changes in the material, blockages of the print 
nozzle and/or formation of bubbles and bulges on the surface of the printed road of material have been 
reported164. 

For that reason, the polymer granules were dried overnight at 80 °C prior to use and then placed in a desic-
cator to decrease the moisture content and avoid triggering polymer degradation during the extrusion. 

3.2.1 Filament extrusion 

Firstly, filament extrusion processing window of the model material (PLAm1) was determined using a Noztek 
Touch extruder, selecting the temperature and motor speed of the extruder to produce 1.75 mm diameter 
filament without degrading the polymer and remaining in the extruder working limit. The lowest possible 
temperature above the material melting temperature and motor speed were used and progressively in-
creased until the produced filament met the set requirements (Appendix II). 

The same procedure was then applied to the medical grade materials listed in Table 1. In order to find at 
least two extruding conditions (temperature and motor speed) permitting to produce good quality filaments, 
200 g of medical grade PLA was used for each extrusion run. 
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PLLA, PEG and β-TCP were dried separately at 80 °C (PLLA and β-TCP) and 35 °C (PEG) overnight. Blends of 
PLAPEG and PLABTCP were produced with weight ratio of 90:10, mixing 20 g of PEG/ β-TCP to 180 g of PLLA. 
The systems were then hand-mixed for 5 min to ensure homogeneous distribution. Homogeneity of the β-
TCP particles were therefore confirmed by SEM and TGA investigations. 

3.2.2 FDM /FFF 3D Printing 

An Ultimaker Original+ (Ultimaker, Netherlands) (feeding filament (Ø 2.85  mm) and Makerbot Replicator 2 
(MakerBot Industries, USA) (Ø 1.85 mm) were used to melt and deposit the filaments (Figure 3.1). The 3D 
model was created in Sketchup Student (Google, USA), with this dimensions: heights: 4mm, beams size: 0.5 
mm, pore size: 1 mm, cylindrical shape with diameter: 4  mm. Cura (Ultimaker, Netherlands) was used as 
slicing software to determine the printing properties.  

 

Figure 3.1 A Makerbot Replicator 2 (left) and a Ultimaker 2 (right) were used to print all the 3D structures. 

Filament of PLAm1 and PLAm2 were acquired from TreeDFilaments (TreeDFilaments, Italy) and FiloAlpha 
(FiloAlpa, Italy) as 1.75mm and 3.00 mm. All the filaments were dried and stored in a desiccator prior to 
printing to ensure a dry state and avoid polymer degradation. For the multi material scaffolds, the printing 
run was stopped at a building progress of 50 %, permitting to place the second material to finish the second 
part of the scaffold. 

All saturated filaments were extruded by a Markebot Replicator 2, using a set of nozzle size between 0.4 and 
1 mm, at extrusion speed from 10 to 100 RPM and hot-end temperature from 180 to 250 °C. All the param-
eters are monitored by Simplify3D (Simplify3D, USA).  

3.2.3 Supercritical CO2 Foaming 

All the processes discussed in the result sections involving supercritical carbon dioxide foaming were per-
formed using a high pressure and high temperature autoclave certified for medical applications (SITEC-Sieber 
Engineering AG, Switzerland) (Figure 3.2Figure 3.2). This GMP medical autoclave operates with maximum 
pressure and temperature of 300 bars and 300 °C respectively. The pressure chamber is designed in a way to 
have a spiral heating coil providing homogeneous heat transfer inside of the vessel. Three thermocouples at 
the top, middle and bottom of the vessel control the processing temperature. Pressure entry is located on 
the back side of the vessel. To reach high pressure, a CO2 in liquid state is pumped from a tank into the vessel 
up to 90 bars at 50 °C. Then, the vessel is isolated and the pressure is controlled by increasing or decreasing 
the temperature. If the pressure exceeds the set point value while the temperature set point is still not 



Materials and Methods 

35 

reached, two valves provide a controlled CO2 release by an exhausting line. To allow precise monitoring and 
reproducibility of the experiments, temperature, pressure, depressurization rates and saturation time are 
programmed before the experiment using EUROTHERM software (Eurotherm, Switzerland). A computer 
monitors the experimental values during the experiments, while data is recorded as function of time for 
further analysis.  

The main parameters that were studied in this work were the saturation temperature Tsat, the saturation 
pressure Psat, the saturation time tsat and the depressurization rate dP/dt. All the samples were positioned 
on a support cylindrical mold. The mold dimensions were 10 cm diameter by 4 cm height. The typical foaming 
cycle started with a ramping phase at 90 bars and 50 °C, followed by the reaching of the set point values 
investigated. 

 

Figure 3.2 EPFL high pressure high temperature autoclave designed by SITEC-Sieber Engineering AG. The autoclave is 
divided in different workingareas  separated by lateral windows. The whole process, from material weight to post pro-
cessing happens under a ventilated hood. 

3.3  Characterization methods 

3.3.1 Dynamic Calorimetric Scanning (DSC) 

A thermal analysis differential scanning calorimeter (TA Instrument, DSC Q100) was used to analyse the ther-
mal transition temperatures and enthalpy changes of the samples during melting. The crystallinity fraction 
at the stage of raw pellets (before extrusion), melt-extruded filament (after extrusion) and printed scaffold 
were determined. For each measurement, approximately 5-10 mg of material was used. The scanning condi-
tions were 0 to 220 °C (1st heating), 220 to 0 °C (1st cooling) and 0 to 220°C (2nd heating) at a rate of 10 °C/min 
under nitrogenous atmosphere 50ml/min, with an isothermal step of 1 minute between the scans. Measured 
parameters consisted of glass transition temperature , melting temperature , crystallization tempera-
ture .  
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The degree of crystallinity  was calculated using (eq.6) 165:  

 

where   

melt crystallization enthalpy 

cold crystallization enthalpy  

  corresponds to the theoretical value of the heat of fusion for a 100% crystalline analogue material, 
taken to be  = 93   for 100% crystalline PLLA, as reported by 166.  

For blended systems,  corresponds to the weight fraction of the added element to the main material. 
In case of pure systems, . 

Since the previous thermal history of the PLA granules is unknown and considerably affects the measured 
degree of crystallinity, the granules were evaluated as received and after being subjected to an annealing 
cycle designed to impart the thermal history. Consequently, the degree of crystallinity of the granules was 
calculated from the 2nd heating cycle, the 1st heating cycle permitting to remove the thermal history of the 
material. For the filaments/ scaffolds, the degree of crystallinity was calculated from the 1st heating cycle to 
see directly the influence of the extrusion/3D Printing process respectively on the change in the degree of 
crystallinity. 

3.3.2 Thermogravimetric Analysis (TGA) 

During processing and especially during the extrusion process, the material is exposed for few minutes (res-
idence time) to a constant high temperature before being extruded. In order to verify that no degradation is 
occurring under typical extrusion/3D printing temperature and material residence time, isothermal tests 
were carried out respectively on the granules, filaments and scaffolds to investigate the thermal degradation 
in time. The temperature at which the thermal degradation starts  and the degradation rate , were de-
termined for 

 temperature ramp from 30 °C to 500 °C at 20 °C/min, air atmosphere 20.0 ml/min was applied. 
This test permits to determine  and , and to study the influence of the extrusion and printing 
parameters. The scanned conditions were an isotherm at 30.00°C for 1 min, heating from 30 °C 
to 500 °C at 20.00 °C/min, isotherm at 500 °C for 5 min  

 isotherm at 220 °C during 10 min under air atmosphere (20 ml/min) was imposed to the material 
 

3.3.3 Foam density and porosity 

The material expansion rate was evaluated using an apparent density * determined by weighing a sample 
of known volume. This method was applied to estimate foam density and porosity of homothetic and 3D 
foam printed structures. From this value, sample porosity * is calculated using eq. 7 21. 
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Where ρ* is the density of the foamed structure and ρs is the density of the solid material. For Poly(lactide) 
(PLAm1, PLAm2) ρs = 1.245 g/cm3, Poly(lactide-co-caprolactone) (PLAPCL) ρs = 1.215 g/cm3 and for Poly(lac-
tide-βTCP) (PLABTCP) ρs = 1.240 g/cm3. Each porosity value expresses the mean value on a set of n = 3 meas-
urements. The mass was acquired by mean of a precision scale to the second significant digit.   

3.3.4 Compression behaviour of 3D printed structures and foams 

The compression tests in air were performed in air medium using a traction-compression testing machine 
(UTS, TestSysteme, Germany), equipped with a loacell of 1 kN. The setup is shown in Figure 3.3.  

 

Figure 3.3 Image of the UTS machine (left) and the setup for compression mechanical testing in air (right). 

Cylindrical specimens of 8 mm x 4 mm were extracted from the samples and compressed to a 60 % defor-
mation with a cross-head speed of 0.5 mm/min, as shown in Figure 3.4. The compressive modulus E was 
extracted from the linear elastic region of the stress-strain curve. For each specimen, n = 3 samples were 
measured.  

 

Figure 3.4 Cylindrical samples of 8 mm diameter x 4 mm height extracted from the samples for the compression tests. 

The compression tests in phosphate-buffered saline solution (PBS) were performed using an Electropuls Dy-
namic Test System (Instron E1000) in displacement control at 0.5 mm/min up to 60 % deformation. Cylindrical 
specimens of 8 mm x 4 mm were extracted from the samples and was saturated in PBS at ambient tempera-
ture for 2 h prior the measurements. The compressive modulus E was extracted from the linear region of the 
stress-strain curve. For each specimen, n = 3 samples were measured. 
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3.3.5 Fracture mechanics 

Compact tension (CT) samples are designed to test the fracture toughness of a material under a given geom-
etry. Fracture is commonly understood as the state at which a material breaks after irreversible catastrophic 
crack advance, despite the fact that stable growth mechanisms exist such as sub-critical crack growth. Differ-
ent approaches to fracture analysis exist, mainly differing on the assumptions made for the material’s prop-
erties. A stress intensity factor Kq is used for quantitative analysis because of its direct deduction from sample 
properties and test results. It completely describes the stress field close to the crack tip.  

Poly(lactide) is considered here as an elastoplastic solid since mathematical analysis of ideally elastic samples 
predicts an infinite stress state at the crack tip. The stress leading to the solid’s fracture is significantly smaller 
than the one to plastically deform the whole sample, excluding the case of a completely ductile material. The 
model for this test is designed to study PLA samples under small-scale yielding, a necessary condition for 
meaningful Kq measurements and displaying plastic behaviour in the crack tip vicinity.  

Mode I testing was chosen to determine the fracture toughness of two continuous layers in 3D printed spec-
imen. Mode I (or opening mode) corresponds to the most common mode as most fracture occurs by this 
dynamic. In this mode the load is applied perpendicular to the crack plane. Simple calculations of Kq are 
performed with the formula below 

 

where 

Y [-] : geometrical factor  

σ [Pa] : stress at rupture  

a [m] : crack length  

When applied to the specific geometry selected for the test, the equation can be expressed as:  

where 

  only the first term in the series solution is conserved 

P [N]: maximum load 

B [m]: sample thickness 

W [m]: sample relative width 

a [m] : crack length 
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The production by 3D printing of compact tension specimen followed the ISO 13586:2010 (Plastics -- Deter-
mination of fracture toughness (GIC and KIC) - Linear elastic fracture mechanics (LEFM) approach) to study the 
fracture toughness at the interface between two different deposited layers.  

The specimen design is shown in Figure 3.5. The dimensions of the samples were B (thickness) = 3.00 mm, W 
(length) = 5.04 mm and a (initial crack length) = 1.42 mm. The dimension constraints were dictated by the 
cartilage-bone interface size, long print times and the material cost. The standard notch present in CT sam-
ples was directly incorporated within the geometry to reduce result deviations due to human imprecision 
(depth and orientation). All the specimens were fissured at the designed interface by a medical scalpel (0.4 
mm thickness) to accentuate the pre-existing notch. For each test condition, n = 3 specimens were tested.  

 

Figure 3.5 Compact Tension 3D printed specimen used for fracture toughness measurements. 
The mechanical testing is performed by mean of a traction machine (Minimat™) equipped with a force cell 
of 1 kN. The setup for the CT test is shownin Figure 3.6.  

 

Figure 3.6 Illustration of the CT set up mode I testing on 3D printed specimen. 
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Homothetic Foaming of 3D 
Printed Structures 
4.1 Introduction 
Cellular structures of PLA have been produced by different methods for applications as packaging, tissue 
engineering and insulation panels 1–3. The pore morphology in such structures is especially relevant in medical 
applications, where the pore size and pore distribution influence the performance of the final product 4–6. A 
widely investigated method to process PLA into controlled cellular structures is by supercritical carbon diox-
ide foaming (ScCO2). PLA foams produced by ScCO2 shows a wide range of properties depending on the race-
mic mixture of L- and D- lactide that influences the crystallinity of the material 7. In average, high porosity, 
up to 93 % 2, and a range of pore size from 0.02 to 0.1 mm are shown by these structures 8,9, with an elastic 
modulus ranging from 6 to 70 MPa 1. ScCO2 is an excellent method to process biopolymers, due to the total 
absence of solvents during the process. However, major limitations shown by such PLA foams is the limited 
percentage of interconnectivity between the pores 10, the presence of an impermeable layer of material 
(called “skin”) on the outer edge of the structure 11 and the presence of an uncontrolled porosity gradient 
within the structure 12. Fused Deposition Modelling / Fused Filament Fabrication (FDM/FFF), solvent-free as 
well as ScCO2, solves these issues. It provides a manufacturing method to produce 100 % interconnected 
porosity, with high permeability and full control on the porosity gradient. PLA is one of the most used polymer 
in FDM/FFF and cellular structures with a reported range of porosity up to 60 - 80 % 13,14 and Young’s modulus 
from 40 to 700 MPa 15–18 have been previously reported. The main limitation of FDM/FFF is the impossibility 
to increase the porosity over a certain threshold, given by the minimum strand diameter extruded by the 
machine. This strand diameter is function of the printer nozzle size, which however cannot be decrease below 
0.1 mm without scarifying too much processing speed and print quality.  

This chapter will discuss how to combine ScCO2 with FDM/FFF, producing PLA cellular structures with all the 
advantages of the two techniques. This new process will involve two steps: the 3D printing of a cellular struc-
ture with a macro porosity (from 1 to 0.2 mm) and the consequent foaming of this structure to add a micro 
porosity (from 0.1 to 0.01 mm). At first, the influence of ScCO2 processing parameters (e.g. saturation tem-
perature, pressure, time and depressurization rate) on the porosity of single PLA granules will be investigated. 
Then, this knowledge will be applied to 2D and 3D structures, investigating how 3D printed cellular shapes 
and pore morphology are influenced by the foaming conditions. Finally, the mechanical properties of 3D 
printed structures with different porosities will be evaluated. Those will be compared with the mechanical 
properties of the same structure after having been foamed under the conditions defined in the previous 
investigations. This new process of foaming for expanding in 3 directions a given 3D printed structure take 
the name of homothetic foaming. 
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4.2 Materials and methods 

4.2.1 Materials 

Two Poly(lactide) in granulate form from Natureworks were investigated, as described in Chapter 3 Table 3. 
These materials were chosen as model materials for the preliminary studies given the well-known foaming 
processing windows, mechanical properties and availability both as granules and filaments for Fused Depo-
sition Modelling/Fused Filament Fabrication 1,19,20. PLAm1 was used in form of granules and 1.75 mm filament 
for all the foaming and printing tests, while PLAm2 was applied only in form of 3.00 mm filament in the 
second part of this study.  

PLAm1 and PLAm2 granules and filaments were stored in a desiccator and in a freezer at -30 °C to prevent 
humidity sorption and ageing. Prior to use, all the polymers were dried under vacuum at 70 °C for 8 h to 
minimise the water content 1,21. 

4.2.2 Foaming processing conditions 

Each of the four main processing parameter in supercritical foaming (saturation temperature, pressure, time 
and depressurization rate) was varied on three different levels (low, medium, high) while keeping the others 
constant. As the aim of this study is to investigate the set of parameters that allows foaming the granules 
without totally melting them, the saturation temperature was the first investigated. The medium value was 
chosen as the PLAm1 reported melting temperature in presence of CO2 

1, while the minimum and maximum 
value were chosen at ±5 °C from this value.  

The foaming conditions for 2D and 3D structures were chosen on the base of the results collected for granules 
foaming.  

4.2.3 3D printing 

The setup used to produce all the 3D printed structures is described in Chapter 3.2.2. PLAm1 and PLAm2 
samples were printed at 210 °C and 50 mm/s. The slicing of the structure was performed by Simplify 3D©, 
while all the 3D models were produced using Sketchup Make©.  

4.3 Processing cellular structures 
The conceptual workflow to produce cellular structure by homothetic foaming is shown in Figure 4.1. A 3D 
printed template with a macro porosity of 0.3 – 0.5 mm is placed in a high temperature high pressure auto-
clave vessel. Then, the vessel is saturated with CO2. Pressure and temperature are increase above the triple 
point calculate from the CO2 phase diagram (Figure 2.5Figure 2.5), namely at T = 50 °C and P = 90 bars. Finally, 
selected processing conditions are applied, creating a micro cellular structure within the bulk 3D printed 
strands and increasing the overall porosity. 
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Figure 4.1 Concept of a hierarchical cellular scaffold produced by homothetic foaming of a 3D printed structure. 

4.3.1 Partial foaming 

In order to assess the idea of partial foaming and demonstrate the feasibility of the homothetic foaming, 
PLAm1 was selected as testing material. Granules of PLAm1 were tested to determine the influence of the 
principal foaming parameters (saturation temperature, pressure, time and depressurization rate) on the pro-
cess.  

In the first step, different melting temperatures were investigated in order to keep the 3D structure of an 
object and produce a partial melting. For 1-dimentional granules, the goal is to allow granules to bond each 
other, while preserving their spherical structure. From the work of Carole Boissard 1 on PLAm1 foaming, it 
has been observed that the material foams completely at 140 °C. Given the reported PLAm1 melting temper-
ature Tm in presence of CO2 of about 130 °C 22, the desired working temperature was investigated between 
135 °C and 125 °C . Gradual steps of 5 °C saturation temperature reduction were considered, at constant 
saturation pressure (200 bars), saturation time (10 min) and depressurization rate (1 bar/sec) (Table 4).  

Table 4 Saturation temperature (left) and relative capability of the material to melt at reference temperature. 

 SSaturation temperature  MMelting  
T1 135 °C Partially molten 

T2 130 °C Partially molten 
T3 125 °C Not molten 

 

A single granule was cut in half before and after the foaming at T1 condition. A self-reinforced structure, 
constituted by a hard bulk core surrounded by a soft foam shell, is originated from the foaming of the molten 
surface of the granule. Same results were observed under T2 condition. Figure 4.2 shows the macroscopic 
morphology of the self-reinforced foam surrounding the core bulk material.  
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Figure 4.2 Single PLAm1 granule used as template of 3D structure before (left) and after (right) foaming. The bulk PLA 
granule (green area) expands due to the foaming process, creating a shell of foamed PLA (orange area) around the 
remaining PLA core.  

T1 and T2 were chosen for further analysis with a Scanning Electron Microscopy to investigate pore size and 
morphology. In Figure 4.3 it is possible to appreciate the impact of a slight change on the saturation temper-
ature during the process. While both show a preserved PLA granule core surrounded by foam, granules mor-
phology and pores distribution change sharply. T1 sample as expected shows a smaller core granule and 
drastic changes between granule edge porosity and inter-granules porosity. It is interesting to notice the 
difference between these two pore size: while inter-granules porosity is kept in the standard range of 200 
μm-800 μm, granule edge shows a micro porosity in the range of few μm (Figure 4.3). Similar observation 
comes from T2 sample, which however keeps granule shape and dimension, while introducing in the same 
fashion a porosity gradient of few μm to hundreds of μm (Figure 4.4). 
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Figure 4.3 Comparison between T1 (left) and T2 (right) foaming conditions on PLAm1 granules. 

 

Figure 4.4 Porosity gradient produced by T2 foaming conditions on a PLAm1 granule. 

To continue the investigation on the influence of the remaining foaming parameters on PLAm1, a processing 
temperature of 130 °C was selected. This saturation temperature allows keeping the core of the granule, 
producing a self-reinforced foam. The influence of saturation time and depressurization rate on foam mor-
phology are therefore required to build a processing window for PLAm1. From now on, an ensemble of 
PLAm1 granules will be used instead of a single granule, in order to understand the inter-expansion effect of 
the foamed structure. 

As described in Chapter 3, three levels of intensity were investigated for each parameter. They were chosen 
as representative of standard value adopted in batch foaming of PLAm1 in previous works 1,23. A schematic 
representation of the foaming cycles applied is shown in Figure 4.5.  
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Figure 4.5 Schematic of the foaming cycles applied to investigate the influence of saturation time (top) and depressuri-
zation rate (bottom) on three different intensity level for each condition. 

Porosity was measured as described in Chapter 3. It showed a significant increase between 1 minute and 5 
minutes, growing from 65% to 83%. No significant differences were found between 5 minutes and 10 
minutes. Thus, it is possible to reduce the material processing time by optimizing the CO2 saturation step 
(Figure 4.6).  

 

Figure 4.6 Effect of saturation time on foam porosity. 

The depressurization rate was then investigated. As it is known from previous investigations on Poly(lactide) 
foaming, dP/dt has an important influence on foam expansion and pore morphology23. As described in Figure 
4.7, the depressurization rate is positively correlated with the foam porosity of single granules. When the 
same set of conditions are applied to different granules, it is demonstrated that the higher dP/dt, the more 
accentuated is the presence of an “arch shape” effect. This effect is due to the force applied to the central 



Homothetic Foaming of 3D Printed Structures 

46 

granules in the mold during the depressurization. Increasing the depressurization rate, higher nucleation is 
promoted and a higher degree of porosity is achieved at the end of the partial foaming.  

 

Figure 4.7 Effect of depressurization rate on foam porosity. 

By controlling the foaming parameters, it was possible to create partial foaming of Poly(lactide), resulting in 
structures with un-molten core surrounded by shell of porous structure. The non-foamed core will constitute 
a stiff reinforcement of the final structure. The low foaming temperature is a key point of interest, which 
allows to minimize the material degradation during the processing. When applied to several Poly(lactide) 
granules, partial foaming allows producing self-reinforced structures with a characteristic “arch shape” re-
lated to the chosen depressurization rate. A schematic of the process is shown in Figure 4.8 

 

Figure 4.8 Schematic of the effect of homothetic foaming on a PLAm1 granule. 
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Figure 4.9 Schematic of the free foaming (green area) and confined foaming (red area) influences in batch foaming (left) 
and homothetic foaming (right). In batch foaming, the presence of the mold influences the foaming phenomena, which 
is dominated by the confined foaming. Smaller pores are formed as result of this process. In homothetic foaming, free 
foaming is the driving phenomenon, thanks to the absence of molds. larger pores are formed homogeneously in the 
material. 

From these results, it is possible to compare homothetic foaming with batch foaming, which represents the 
standard method to process thermoplastic materials with supercritical foaming (Figure 4.9Figure 4.9). In 
batch foaming, the material is processed in forms of granules or powder. Those are collected into a metallic 
mold that helps keeping the granules or poweder in place and gives the final shape to the foam. The mold 
presence is mandatory here, as otherwise the material would be dispersed in the autoclave vessel. However, 
the presence of a stiff material inflences the foaming process, creating a supplementary resistance to foam 
expansion. This phenomenon, called confined foaming, is due to the difference between the pressure of the 
mold (P∞) and the pressure built by the CO2 within the material (PCO2). On top of the mold, PCO2 drives the 
pore growth as long as PCO2 > Psaturation, which occurs during the depressurization. The foam here has no precise 
shape, but expands freely in the space. This phenomenon takes the name of free foaming. Batch foaming is 
a confined foaming dominated process, as most of the material expands within the contrains given by the 
mold. Homothetic foaming represents an innovation from this point of view, as being dominated mostly by 
free foaming due to the absence of a mold. As seen from Figure 2.6, porosity is influenced by two parameters 
occurring during the depressurization phase: pore nucleation and growh. A parallel can be drawn between 
confined foaming and free foaming. Pore growth happens when the local pore pressure is higher than the 
external pressure, driving the pores and therefore the overall material to expand. Free foaming can be de-
scribed as a growth-dominated phenomena while confined foaming with its higher external pressure is nu-
cleation dominated. 

From the knowledge acquired for the homothetic foaming of single granule, the process can now be ex-
tended to 2D and 3D structures. One of the best current technology to produce complex tridimensional struc-
tures in Poly(lactide) is FDM/FFF. In the next paragraph, homothetic foaming will thus be investigated on a 
2D window and a 3D cellular structure, both produced by FDM/FFF as described in Chapter 3. 
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4.4 Homothetic foaming of 2D and 3D printed structures 
A 2-dimentional window was designed in Sketchup. The main objective was to create a thin structure in order 
to neglect possible deformation induced by the foaming process. The structure is considered 2-D as the thick-
ness is comparable to the minimum layer height printable. A schematic of these structures is shown in Figure 
4.10. The 3D cellular structure was designed by Sketchup. A circular 3D shaped with 0.5 mm beams homoge-
neously spaced by 1 mm was designed.  

 

Figure 4.10 Schematic of the 2D and 3D structures. 

4.4.1 Morphology and porosity 

From the knowledge acquired in the previous chapter on the influence of the foaming parameters on partial 
foaming, it was then possible to process 2D and 3D structures into hierarchical cellular structures by the same 
principles. The printing and foaming protocol followed the methods described in Chapter 3.  

Examples of obtained 2- and 3-dimensional homothetic foamed structures are shown in Figure 4.11 for the 
foaming cycle: 130 °C, 140 bar, 5 min, 10 bar/s except Figure 4.11E, where dP/dt = 1 bar/s. Table 5 is a sche-
matic of the foaming conditions used for PLAm1 3D printed structures 

Table 5 Foaming conditions to tailor the micro porosity within the 3D printed structures of PLAm1. 
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Figure 4.11 (A) the 2d structure before (left) and after foaming; (B) the micro-cellular structure can be observed within 
the foamed strands of the 2D structure; (C)(D) effect of the foaming on the 3D structure (top view and lateral view, S4 
foaming conditions from Table 5) (E) influence of the low depressurization rate on the foaming (S1 foaming conditions 
from Table 5). 

The deformation of the 2D structure in the x-y plane as consequence of the high depressurization (10 bar/s) 
can be observed in Figure 4.11A. The PLAm1 beams composing the structure are completely foamed. This 
micro porosity originates from the expansion of the original 3D printed beams composing the 2D structure 
(Figure 4.11B). Nevertheless, some deformation is observed in the 2D structure, the overall shape is kept. 
The rudiments of homothetic foaming by which the foaming should occurs only within the 3D printed mate-
rial is therefore here proven. Moreover, the homogeneous foaming of the 2D structure opens the possibility 
to test the same processing conditions with a 3D structure.  

When applied to a 3D structure, the homothetic foaming produced a higher expansion compared to the 2D 
structure. The observed expansion is homogeneous in each direction, producing an overall homothetic trans-
formation of the material. As previously seen for the partial foaming of single granules, the bulk material is 
expanded as a conseguence to the creation of a micro porosity. This expansion is generated by the diffusion 
and nucleation of CO2 during the saturation and depressurisation phases of the foaming. As it could be ap-
preciated by these images, the overall 3D shape is kept, along with the distance between the beams delimit-
ing the macro-porosity of the 3D structure. The expansion in the x-y plane and z plane, as measured on n=3 
samples, has less than double the size of the original 3D printed structure due to the creation of the micro-
porosity within the bulk strands. 

Reducing the depressurization (dP/dt) from 10 bar/s to 1 bar/s a more conservative 3D structure is produced 
(Figure 4.11E). Expansion is observed, confirming the results previously obtained on the influence of the de-
pressurization rate. In order to quantify and qualify the micro porosity produced during the homothetic foam-
ing, SEM analysis in a cross-section of these structures is required. Homothetic foaming was applied to PLAm1 
as well as to PLAm2 to understand the reproducibility of the process with different Poly(lactide) grades. The 
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SEM analyses provide detailed information on the dimensions and scales of the obtained cellular structures 
as illustrated in Figure 4.12 and Figure 4.13 for the two investigated grades of PLA.  

The deposition of filaments offered homogeneous beam elements respecting the initial selected dimensions. 
There are no large defects into the multifilament beams. Nevertheless, the beam surface has a roughness 
given by the diameter of the deposited filaments. The beams are assembled to build a multi layered structure; 
the distance between the beams will dictate the macro porosity size, distribution and orientation. Beam sur-
face filaments might be deformed during the process and bent into the macro porosity.  

Foaming of the printed structure successfully leads to porosity into the filaments and thus porous beams 
were obtained. The beams are still connected after foaming and the 3D morphology is intact. The foaming 
process is isotropic and thus produces expansion of the structure in each direction. The obtained structures 
demonstrate the feasibility of the chosen processing steps and parameters to obtain cellular scaffolds with 
dual porosity at macro and micro levels. The tuning of the processing parameters could still offer more mor-
phologies for different applications.  

Confined foaming and free foaming, discussed in Figure 4.9, have a notable influence in the development of 
the micro porosity during the homothetic foaming of the 3D structures. As seen in paragraph 4.3, homothetic 
foaming is driven by free foaming phenomena or pore growth phenomena, allowing the creation of a micro-
porosity within the beams composing the macro-porosity. Given the pore growth dominance in this process, 
larger pores freely expand up to a maximum dimension, above which consecuent pores collapse into forming 
a bigger pore. This is observable in Figure 4.12F, where a larger pore is formed at the center of the beam, 
where the free foaming is maximum. Confined foaming is still observable in these hierarchical cellular struc-
tures, especially at the intersection of the beams. As seen in Figure 4.12C and Figure 4.12E, smaller pores are 
formed towards the edges of the 3D structure. 
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Figure 4.12 (A) neat PLAm1 polymer, (B) 130 °c 140 bar 1bar/s (S1 Table 5), (C) 130 °c 140 bar 50bar/s (S2 Table 5), (D) 
130 °c 160bar 1bar/s (S3 Table 5), (E) 130 °c 160bar 50bar/s (S4 Table 5), (F) detail of the beam micro porosity. 
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Figure 4.13  (A) Neat PLAm2, (B) detail of the neat polymer, (C) 120 °c 130 bar 1bar/s, (D) detail, (E) 120 °c 130bar 
50bar/s, (F) detail of the beam micro porosity. 
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4.4.2 Properties of cellular structures 

Homothetic foaming has been proven to be applicable to PLAm1 and PLAm2 cellular structures. The mechan-
ical properties of the final structures are therefore deriving from the mechanical properties of the original 
3D printed structure (representing the maximum achievable value for a given geometry) and from the crea-
tion of a micro-cellular porosity in place of the bulk material. As seen in Chapter 3, an increase of porosity 
produces a decrease of density, this decreasing the overall stiffness of the structure. The aim of this para-
graph is to understand the range of mechanical properties achievable with this process starting from differ-
ent cellular structures. In particular, two cellular structures were selected: one with 40% porosity (e.g. thicker 
and closer beams) and one with 60% porosity. Figure 4.14 and Figure 4.15 illustrate the influence of the beam 
macro porosity on the compression performance of the structure.  

 

Figure 4.14 Compression behaviour of a 3D printed cellular material with 40% interconnected macro porosity. 

 

Figure 4.15 Compression behaviour of a 3D printed cellular material with 60% interconnected macro porosity. 

Mechanical properties of the initial 3D printed structures are affected by the model design, e.g. the beams 
size, the distance between the beams and their height. It is important to notice the classical S shape of the 
stress-strain curves, which reflect the response of a cellular structure with open pores in compression.  

After the demonstration of the ease of tuning of the printing parameters to produce the desired compression 
response, the effects of different foaming parameters were analysed. The foamed structures were obtained 
by inducing micro porosity during supercritical foaming in the 3D printed beams. The mechanical properties 



Homothetic Foaming of 3D Printed Structures 

54 

of the initial structure are then considered as the standard to study the effect of the micro porosity, as show-
ing in Table 5.  

Figure 4.16 shows the influence of the investigated foaming conditions on the compressive response of the 
obtained structures in comparison with the original 3D printed structure. The preliminary observations drew 
from observing the material morphology at SEM (Figure 4.12 and Figure 4.13) were here confirmed. By in-
creasing the porosity inside the beams, the structure stiffness becomes smaller and smaller, reducing both 
strength and modulus. The depressurization rate has more impact on the final structure than the saturation 
pressure, as it is inferable observing S1 and S2 response (dP/dt constant, Psat from 140 to 160 bars) com-
pared to S1 and S3 (dP/dt from 1 to 50 bar/s, Psat constant). S1 shows a poor porosity of the beams (Figure 
4.12B) and therefore a limited expansion. On the other hand, high depressurization induces more porosity in 
the beams, with larger pores. This porosity produces the softening of the 3D structure, as observable for S3 
and S4. The material response to compression is almost flat when compared to the 3D printed structure. The  
deformation mechanisms for these hierarchical cellular structures are shown in Figure 4.17 as opposed to 
the classic buckling of cellular structures with cubic cells shown in Figure 2.3. Under compression, the 3D 
printed structure shows an elastic behaviour up to about 0.1 strain, followed by a buckling plateau between 
0.1 and 0.25 strain. Above 0.25 strain, the densification starts and the overall stress grows linearly with the 
strain. In all the 3D structures further processed by homothetic foaming, the buckling plateau is much less 
pronounced in the stress-strain curve. After an elastic response up to 0.15 – 0.3 strain, the  corresponding to 
the compression of the foamed beams, the cells of the micropores collapse and at the same time the 
macropores disappear inducing a densification. The buckling plateau does not really appear in these struc-
tures as the creation of the micro-porosity creates a “deformation buffer” as opposed to the deformation 
mechanism of the only 3D printed structure. The amount of micro porosity induced by homothetic foaming 
thus withstandwithstands a part of the progressive compressive load, the pore cells deforming along with 
the progressive loss of macro-porosity . The foaming clearly allows to tailor the stiffness of a given printed 
cellular structure. 

 

Figure 4.16 Tailoring of mechanical properties by foaming a 3D printed structure (PLAm1). 



Homothetic Foaming of 3D Printed Structures 

55 

  

Figure 4.17 Deformation phenomena in 3D cellular structure with a macro and micro-porosity. A cross-section of the 
original structure is shown in A), where no deformation is applied. In B), the beams start deforming under the compres-
sive load, following an elastic behaviour. Following the stress-strain response, a densification by loss of the macro po-
rosity and collapsing of the micro-pore cells occur at high strains.  

Indeed, two dominant processing parameters were thus identified: saturation pressure and depressurization 
rate, confirming thus the previous results obtained on the PLAm1 single granules. The other foaming param-
eters e.g. saturation temperature and time were neglected given the results obtained in the previous granule 
homothetic foaming section. Indeed, foaming temperature and saturation pressure showed a crucial role to 
keep the 3D structure integrity during the foaming process, but they do not strongly contribute to micro 
porosity creation within the bulk material. This is supposed to be principally related to the low influence of 
these parameters on CO2 nucleation and expansion in homothetic foaming, compared to their role in stand-
ard batch foaming. The depressurization rate however strongly influences the development of a micro po-
rosity within the bulk material. High dP/dt is required to produce a highly micro-porous cellular structure. 
However, the higher the micro porosity, the higher will be the foam expansion, incrementing up to three 
times the volume of the original 3D printed structure. The mechanical properties of such macro and micro 
porous cellular structure can therefore range from hundreds of MPa to few MPa. This capability to produce 
3D structures with tailored mechanical properties derives from the density reduction of the original 3D struc-
tures, which leads to softer cellular structures as described in Chapter 2.This behaviour is respected for the 
two studied model materials, PLAm1 and PLAm2. Young’s modulus was moduli were extracted on Figure 4.18 
and Figure 4.19 from the linear regionstress-strain regions of all the structures processed with the conditions 
of Table 5. Starting from about 400 MPa for the reference 3D printed structure, E decreases to 279 MPa for 
the structure barely foamed (e.g. low micro porosity, Figure 4.12B) and drops to 29 MPa with the increase of 
the dP/dt. The difference between the average stiffness value between the two Poly(lactide) 3D printed 
structure before foaming (398 MPa vs 415 MPa) is due the small difference between their Young’s Modulus 
(3.5 GPa for PLAm1 vs 3.6 GPa for PLAm2). This initial difference in the stiffness of the 3D printed structure 
is thus shown in all the consequent foamed samples, i.e. PLAm2 structures after foaming are always stiffer 
than PLAm1 samples after the same foaming cycle. The minimum stiffness measured is 8 MPa, about x50 
times softer than the original 3D printed structure.  
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Figure 4.18 Effect of the different foaming parameters on the Young’s Modulus, PLAm1 

 

Figure 4.19 Effect of the different foaming parameters on the Young’s Modulus, PLAm2 

4.5 Conclusions 
The process to create a dual porosity into a 3D polymer structure was established. First the influence of the 
foaming parameters on simple PLA granules was investigated to determine whether a controlled partial 
foaming is possible. It was shown that supercritical foaming could be exploited to create a self-reinforced 
polymer material composed by a solid bulk core surrounded by a foamed porous surface. The control of a 
low foaming temperature and a short saturation time was key to generate such morphology by homothetic 
foaming on PLA granules.  The effect of foaming parameters, such as saturation temperature, saturation 
time, pressure as well as of depressurization rates were investigated on a model PLA material. Compared 
with confined batch foaming, homothetic free foaming was shown to be controlled by the depressurization 
rate more than other parameters and is more driven by pore growth than nucleation. This promote a foam 
expansion with larger pores and subsequently more coalescence of pores and thus higher interconnectivity8. 

The second part of the study explained how to tailor the process to produce dual porous materials in complex 
3D structures. Filaments of model PLA materials were deposited by Fused Deposition Modelling to form 
beams and thus build layered structures composed of those oriented beams. The structures were then 
foamed. The process was proven to be applicable first to a 2D structure and then to a 3D cellular structure 
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or scaffold. A macroporosity is created between the deposited beams and a micro-porosity inside the beams 
upon the foaming. 

Scanning Electron Microscopy was used to investigate the quality and limitations of the process by analysing 
the porosity morphology before and after the processing . Pores distribution and shape changes were ob-
served. As example, it was shown that while the saturation time do not strongly influence the foam expansion 
and the average porosity, the depressurization rate showed a remarkable positive influence on both proper-
ties.  

The final cellular morphology is sensitive to the processing parameters. The saturation temperature should 
be chosen at the beginning of the melting peak of the material in order to avoid complete melting of the 
structure during the foaming. It has been then shown how at low foaming temperatures, the process is driven 
by the depressurization rate. The higher the dP/dt, the higher is the structure expansion by more porosity 
induced in the beams and walls of the 3D printed structure. Secondly, saturation pressure had an effect on 
the morphology. At higher pressure, more CO2 diffused in the material, leading to a more porous 3D struc-
ture. The combination of 3D printing with supercritical CO2 foaming allows producing cellular structures with 
well-defined macro porosity and homogeneous micro porosity. The fine tuning of these dual porosities allows 
controlling as well different structure properties as the local and overall stiffness and obviously the permea-
bility. A wide range of mechanical properties was measured when considering the non-foamed and foamed 
3D printed structures. The elastic deformation of the micro-porous beams coupled with the disappearance 
of macro-porosity upon deformation explain the stress-strain behaviors.  The determined processing win-
dows offer the possibility to vary the Young’s modulus of a 3D printed structure up to 50 times.  

These results suggest that the combination of 3D printing and supercritical foaming could be applied to tailor 
complex hierarchical structures with a dual macro-micro porosity. The process potential was studied for two 
PLA model materials widely used in FDM/FFF 3D printing for various applications However, medical grade 
PLA filaments are not available in commerce. Following the idea to apply homothetic foaming to produce 
hierarchical cellular structures for osteochondral repair, the knowledge acquired on the model materials will 
be applied to different biomedical grade polymers. The approach will be to process a single material 3D 
printed structure into a set of micro-macro porous structures at first, determining the processing windows 
for such materials. In a second phase, homothetic foaming will be applied to multi-material structures, pro-
ducing 3D structures with only macro porosity in one material layer but macro and micro porosity in an other 
material and layer.  
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Homothetic Foaming of 3D 
Printed Multi-Material Structures 
5.1 Introduction 
The processing of a material into a cellular structure is relevant in many fields of application, as discussed in 
Chapter 2. Some of these applications require a further step: the processing of different materials into multi-
material structures. This is particularly true when designing scaffolds for the tissue engineering of osteochon-
dral defects. The osteochondral tissue is composed by articular cartilage and subchondral bone. The ideal 
osteochondral scaffold for tissue repair requires therefore a multi material structure to mimic the properties 
of these two tissues, offering different stimuli for cells growth. Moreover, the progressive stiffening of the 
osteochondral tissue from the superficial cartilage layer to the subchondral bone should be reproduced.  

Homothetic foaming was successfully applied to process Poly(lactide) into controlled macro and micro po-
rous structures, as described in Chapter 4. The present chapter will describe how to apply homothetic foam-
ing to medical polymers and selectively foam one material of a multi material structure, creating a dual po-
rosity hierarchical scaffold. At first, FDM/FFF of medical filaments is discussed, investigating how to success-
fully print cellular structures from a set of medical materials. The mechanical properties of such 3D printed 
structures will be investigated in a buffer solution (PBS) to better reproduce the environmental conditions 
and compared with the results obtained in air. Then, these medical materials will be combined into multi-
material structures by FDM /FFF, investigating the mechanical properties of such structures compared to the 
single material structure. Finally, homothetic foaming will be applied to a selection of these multi-material 
structures of medical polymers, describing how to tune the foaming parameters to selectively foam part of 
the material and explore novel cellular architectures. From these results, two materials will be selected to be 
combined into a hierarchical cellular scaffold for osteochondral repair.  

5.2 Materials and methods 

5.2.1 3D Printing  

Medical filaments for Fused Deposition Modelling / Fused Filament Fabrication (FDFM / FFF) are today not 
available on the market. All the results shown in this chapter were gathered using in-house produced fila-
ments of medical materials, as discussed in Annex I. Table 5 resumes the main extrusion parameters (tem-
perature and motor speed) used to obtain the filaments. At a first time, single layer scaffolds were printed. 
Then, the possibility to combine two materials to create a 3D multi-material structures was investigated Fig-
ure 5.1.  
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Figure 5.1 Schematic of the process to create a multi material structure. 

A filament of each material was chosen for the printing of the single layer scaffolds. For the production of 
multi material scaffolds, five combinations of the medical grade materials were tested as shown by the five 
colour codes in Table 6. A letter is assigned to each color code (e.g. A = purple, B = red, C = blue, D = yellow, 
E = green) and identifies a specific multi-material structure. As example, PLAPCL/PLABTCP corresponds to 
combination E. 

Table 6 List of the materials, filaments production parameters and combination in multi-material structures. Combina-
tion letters (A = purple, B = red, C = blue, D = yellow, E = green) correspond to materials coupled into a multi-material 
structure (e.g. PLAPCL/PLABTCP corresponds to combination E) 

 

Different models have been developed with CAD software (i.e. Sketchup). The objective was to create scaf-
folds with different macro porosities respecting the printing limits such as: nozzle diameter (0.4mm), resolu-
tion and bending of the structure. Cylindrical geometries were designed with porosity: 75 %, 67 %, 50 %, 34 
%, 20 % and 0 %. As shown in Figure 2.2, the pore size is determined by the distance between two contiguous 
beams. Even if FDM/FFF is able to reproduce complex geometries, it still suffers some of the limitations of 
the extrusion of a viscous material. Bridging and overlapping of the strands are two of the main concerns 
when designing and printing a cellular material. These defecs are illustrated in Figure 5.2.  
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Figure 5.2 The porosity in a 3D printed object obtained by FDM/FFF is limited by two main phenomena: bridging (left) 
and overlapping (right). Bridging occurs when the polymer viscosity is too low to correctly connect two points, introduc-
ing a deformation in the extruded strand. Overlapping is due to the compression introduced by the contact of the pol-
ymer with a surface, which alters the radius of the strand. When two points are too close, they might connect and 
prevent the creation of a pore in the between. 

The bridging effect happens when a strand is extruded from a point to another without the proper support. 
When the distance between the points exceeds a critical value (determined empirically from material viscos-
ity), the strand bends under its weight, introducing an error in the structure (Figure 5.2, left). On the other 
hand, when two strands are too close, an undesired overlapping might occurs as conseguence of the con-
trained free volume between the nozzle tip and the surface beneath (Figure 5.2, right). These two phenom-
ena shall be taken into account when designing and slicing a 3D object and are the main accountable of the 
limited range of porosities achievable within a cellular material. In Figure 5.3 some examples of models de-
signed avoiding bridging and overlapping effects are reported: 

 

Figure 5.3 Examples of the 3D models designed to have different strand spacing to produce a range of porosity. 
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Moreover, these geometries need supports on the edges, due to the circle shape that prevent each strand 
of one layer to have a full contact, this lead to imperfections on the edges. This problem limits the porosity 
of the scaffold, because if the strands are too far apart from each other the structure will not bridge. This is 
a principal limitation when using FDM/FFF to produce cellular structure. Some improvements can be ob-
tained by tuning the printing speed and the printing temperature to increase the viscosity. Also, the model 
can be as well optimized for the printing process. In this case, a discretized shape has been developed to 
overcome the limitation posed by the bridging effect. This simplified geometry allows printing easily high 
definition scaffold without any extrusion problems. The dimensions are the one showed in Figure 5.4 and the 
porosity is 62 %. 

 

Figure 5.4 Optimized 3D geometry to minimize printing defects, as overhanging, bridging and strands bending. The 
structure has a theoretical porosity of about 62 % for 8 mm diameter and 4 mm height. 

From now on, this geometry will be kept as reference for all the future mechanical and biological tests. Once 
the models were defined, all scaffolds were printed with the same geometry and porosity, varying only the 
materials. In particular, three different materials were involved: PLAm1, PLLA and PLABTCP. As previously 
shown in Figure 5.2, material viscosity influences the printing quality of a cellular structure. For this reason, 
different sets of printing parameters (e.g. temperature and speed among all) were selected to optimize the 
final result: 

 PLAm1 is easily printable with temperatures ranging from 200 °C to 230 °C, as discussed in Chapter 
4 and Annex II.  

 PLAPCL has been selected among all the materials as the ideal candidate for cartilage substitution, 
thanks to its great flexibility, low hardness and its viscoelastic properties. Due to that, printing PLAPCL 
structures requires attention to avoid overbridging of the strands and buckling of the structure. Thus, 
it was necessary to lower the printing speed and temperature to obtain a more regular geometry. 
The quality of the printed scaffold is therefore directly affected, leading in some cases to under-
extrusion phenomena. Satisfying printing quality was achieved for different systems, producing a 
well-shaped 3D structure. The printing temperature was set at 185 - 190 °C.  

 PLABTCP is a medical grade composite. The ceramic particles did not influence particularly the print-
ing process and it was possible to produce high quality 3D structures. Printing temperatures ranged 
from 200 °C to 220 °C. 

5.3 Mono material scaffolds 

5.3.1 Morphology 

The obtained single layer printed scaffolds for each of the different materials listed in Table 6 are displayed 
in Figure 5.5. 
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Figure 5.5 3D Printing of mono material scaffolds, lateral and top view. 

A good printing quality was achieved for the different materials maintaining the structure and porosity of the 
constructs. Soft filaments, as PLAPCL, might jam in the feeding zone of the printer due to an increasing back-
pressure at the back of the heating zone. This phenomenonphenomena, called “buckling” of the filament, 
leads to under-extrusion phenomenon and prevent the 3D structure to be correctly printed. In case of severe 
buckling of the filament no extrusion was achieved due to the complete obstruction of the nozzle. This effect 
was limited by decreasing the printing speed and thus indirectly the flow rate by increasing the printing tem-
perature. In the latter case, it should be kept in mind that the process might lead to degradation of the de-
posited material. 

Three materials were selected to continue the analysis towards the application for osteochondral tissue en-
gineering: a soft PLAPCL, a composite PLABTCP and the model PLAm1. The PLAPCL scaffold was chosen as 
being the softest polymer degradable material available for FDM/FFF. The PLABTCP was chosen because its 
composite nature, recalling the bone composition. This material was also investigated in previous works for 
bone repair 39,154. Finally, the PLAm1 was chosen to continue the analysis on a well-known Poly(lactide)-based 
material. The next step is to determine the mechanical properties of such 3D printed structures, either as 
single materials and as 50:50 multi material. 

5.3.2 Mechanical properties of the printed cellular structures 

All the 3D printed structures of PLAm1, PLAPCL and PLABTCP were tested in air as described in Chapter 3. 
The same testing protocol was applied to unconfined uniaxial compression in PBS medium to better mimic 
the environment conditions. The scaffolds were left socking in PBS for a day to ensure liquid saturation prior 
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the tests, which were conducted at starting temperature of 25 °C. The two compressive responses in air and 
in PBS were then compared for each material. 

Under static compression at 0.5 mm/min PLAm1 structures showed a linear elastic behaviour from 0 to 7 % 
in strain, with a steep linear deformation. The average Young’s modulus is equal to 386 MPa. A small plateau 
of buckling is shown from 7 % to 15 % of strain, after which densification of the pores happens and the stress 
rises up to 140 MPa at 60 % strain (Figure 5.6).  

PLAm1 structures tested in PBS have a less visible and distinguishable linear region from the buckling defor-
mation plateau, showing a progressive stiffening up to 130 MPa at 60 % deformation. The Young’s modulus 
extrapolated is about two times higher from the test in air, accounting for 604 MPa (Figure 5.6, right). This 
stiffness increase for a cellular structure saturated with a fluid can be explained by the hydrostatic effect. As 
liquids are uncompressible, when a deformation is applied to a saturated structure the fluid tend to flow out 
of the porosity. If the fluid flow is slower than the applied strain rate, the liquid will start to offer a resistance 
to the compression. When the fluid completely leave the structure, the compression response of the biphasic 
structure will fit again the expected compression response of the pure material. 

 

Figure 5.6 PLAm1 response in unconfined compression in air (left) vs in PBS (right). 

PLABTCP structures showed an overall similar behaviour, having an elastic deformation up to 5 % and a long 
plateau from 5 to 30 %. The average Young’s modulus is slightly higher than PLAm1, accounting for about 
428 MPa. The stress experienced at 60 % deformation is 80 MPa (Figure 5.7, left). This increase in structure 
stiffness is expected from the addition of ceramic particles in the Poly(lactide) matrix, creating a composite 
material. The lower strength of PLABTCP structures compared to PLAm1 is explained also by the nature of 
the Poly(lactide) matrix of the PLABTCP composite.  

In PBS, PLABTCP showed a similar behaviour compared to the previous tests in air medium (Figure 5.7, right). 
The linear elastic zone is unvaried, while the maximum stress is reduced from the previous value of 80 MPa 
to 60 MPa. The average Young’s modulus is slightly increased from the previous value of 428 MPa to about 
434 MPa. In this range of lower stiffness, it seems that the hydrostatic effect has a less remarkable influence. 
The walls can certainly deform more while still providing structural resistance. This effect will mask the com-
pressive response of the fluid flowing out of the cellular structure. 
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Figure 5.7 PLABTCP response in unconfined compression in air (left) vs in PBS (right). 

As expected PLAPCL showed a completely different behaviour compared to the previous materials. The linear 
deformation region is almost indistinguishable from the wall plateau, due to the bending if the cell walls 
under compression. This effect is due to the intrinsic low stiffness of the neat material, which offers low 
resistance to the constant compression. Stresses are therefore distributed in the structure, which does not 
occur in any buckling up 60 % deformation. A recap of the expected mechanics of cellular structure can be 
found in paragraph 2.2. The average Young’s modulus is as low as 20 MPa. After densification at 60 %, the 
maximum stress is about 19MPa, almost 20 time smaller when compared to previous materials (Figure 5.8 
left). The role of the PCL to soften the PLA in the copolymer is clearly expressed here and transmitted to the 
stiffness, deformation and strength of the final 3D printed structure.  

PLAPCL expressed the most important changes in PBS medium, showing at 60% strain stress three times 
higher compared to air medium. The linear elastic region is still indistinguishable from buckling and densifi-
cation, confirming the hypothesis that the first two phenomena occurs at the same time, given the softness 
of the material (Figure 5.8 right). The Young’s modulus was calculated to be three times the value in air, rising 
from the original 20 MPa to about 60 MPa. Given the softer nature of PLAPCL compared to PLAm1 and PLAB-
TCP, the compressive response of a such a cellular structure saturated in water medium will be dominated 
by the hydrostatic effect. This explain the remarkable difference of PLAPCL structures compressive response 
when tested in air or PBS medium. 

 

Figure 5.8 PLAPCL response in unconfined compression in air. 
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A summary of the scaffolds Young’s modulus in air and PBS is shown in Table 6, while the scaffold response 
in air is compared in Figure 5.9.  

 

Figure 5.9 Comparison of PLAm1, composite PLABTCP and PLAPCL 3D printed structured compressive response in air. 

Table 7 Young’s modulus comparison of unconfined tests PLA, PLAPCL and composite PLLA scaffolds in air and PBS 

 

The increased Young’s modulus from air to PBS was observed for all the material tested. The composite 
PLABTCP is the only scaffold expressing no significant changes in mechanical response while being tested in 
the different media. The soft blend PLAPCL shows the highest increase in Young’s modulus, triplicating the 
value in PBS. This behaviour might be explained by the hydrostatic effect of the PBS during compression. A 
cellular material saturated with a fluid shows two responses under compression: the response of the struc-
ture to the load and the response of the fluid. If the compression speed is high enough to do not allow the 
steady flow of the fluid out of the cellular structure, part of the load is taken by the fluid. This effect is called 
“hydrostatic effect”. In these 3D printed structures, the hydrostatic effect is due to the water infiltration 
inside of the macro-porosity, which is slowly forced by the compressive load outside cellular material, gen-
erating an additional resistance to compression. This further compressive resistance offered by the flowing 
PBS outside of the 3D structure explains the sharped difference between the value collected in air and in PBS 
medium. The hydrostatic effect is particularly important in the cartilage, as it represents the capability of the 
tissue to retrain water is the principal responsible for the great mechanical properties under compression of 
such a thin tissue. 

5.3.3 Fracture toughness at the interface of mono material structures 

The mechanical properties of 3D printed structures strictly derive from the quality of the interlayers bonding 
interface. Understanding how the printing parameters effect the bonding strength between contiguous lay-
ers is therefore fundamental to improve the reproducibility and the overall mechanical properties of 
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FDM/FFF printed structures. This is particularly true for multi-material structures, where the printing param-
eters (e.g. temperature and speed) are few the controllable variables to improve the fusion bonding of the 
inter materials interface. In order to improve the mechanical properties of FDM/FFF printed parts, two ap-
proaches were followed. The first is the development of new materials tailored for this process, having su-
perior characteristics compared to the conventional material adapted to this technology. The second is to 
investigate the influence of the process parameters during fabrication stage so that properties may improve. 
Literature revels that this latter approach provides significant improvements, leading to the production of 3D 
printed specimen of superior quality185–188.  

As an attempt to assess the role of the printing parameters on interlayer fusion bonding, a study on the 
influence of printing temperature and speed on the quality of the layer-to-layer interface was performed. 
Different compact tension (CT) specimens were printed with two different orientations compared to the di-
rection of the stress propagation, one at 0/90 ° and the second at 45 °. PLAm1 was used for this investigation. 
Tests were conducted as described in Chapter 3 to measure the toughness Kq. An example of the produce 
specimen from 3D model to 3D printed structure is shown in Figure 5.10 

 

Figure 5.10 From 3D model to 3D printed structure. On the left, the 3D model obtained in Sketch up. The centre image 
shows the 3D model during the slicing phase, determining the layer configuration. The final 3D printed piece is shown 
on the right. 
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Figure 5.11 Influence of printing parameters (deposition temperature and printing speed) on the crack propagation in 
two different directions (0/90 and 45 °). On the y axe, Kq represents the energy required to propagate a fracture in the 
structure. On the x axe, the process temperature at which the specimens were 3D printed. Different colors were used 
to differentiate the speeds at which the samples were 3D printed. 

Figure 5.11 shows the response Kq in function of the temperature of deposition (y axe) at a given printing 
speed. As expected, a significant different was found between the 45° (white background) and 0/90° (red 
background) configurations. With the 45° configuration, the layer disposition offers a higher resistance to the 
crack propagation due to the geometrical organization, while in the latter case half of the layers offer low 
resistance. An example of crack propagation for a 0/90° configuration is shown in Figure 5.12. 

 

Figure 5.12 Example of crack propagation in a 0/90° configuration of PLAm1 3D printed CT specimen. 

No significant differences were observed between different printing speed with the 0/90° orientation, which 
is stable between 16 and 13 kPa m. An effect of printing speed is observed at low temperature, where Kq 
is decreasing with higher printing speed (from 36 kPa√m at 20mm/s to 14 kPa√m at 80mm/s). This result is 
in good agreement with what is expected from the physical modelling of the phenomenon. Fusion bonding 
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includes phenomena as intimate contact and molecular intediffusion189, which are time-temperature de-
pendant. At low temperature, the two layers are required to stay in contact for a longer time to consolidate 
the interface. As seen in Chapter 3, Poly(lactide) is normally printed at a minimum temperature of 180 °C. 
For temperatures below 190 °C it would be then required to reduce the printing speed to maximize the in-
terlayer bonding strength. Overall, the best condition to print PLAm1 is at 210 °C, which happens to be the 
temperature indicated by filament manufacturers for Poly(lactide) printing.  The printing speed has then an 
influence on the interface, even though the maximum value for bulk PLA produced with high-pressure pro-
cesses is far from the best Kq value found here (about 0.1 MPa m vs 36 kPa m).  The impossibility to reach 
the maximum Kq value is an intrinsic limitation of FDM/FFF when compared to high pressure manufacturing 
methods, as compression molding. Among all the processing parameters, bonding strength of the material is 
function of the working pressure190. While conventional manufacturing technologies offer the possibility to 
control such processing pressure, FDM/FFF offers poor control on this parameter. As a matter of fact, the 
pressure developed at the nozzle tip during the deposition of a molten layer is a fraction of the pressure built 
in methods as compression molding. This strongly limits the possibility to avoid the formation of a porosity 
at the interface between two continuous layers, jeopardising the bonding strength. Another limitation is the 
temperature profile of two continuous layers. FDM/FFF is a non-isothermal process, as the material starts 
cooling to room temperature as it is extruded from the nozzle tip. Nozzle temperature, fan cooling rate and 
ambient temperature determine the temperature at which the first layer will be when a second one will be 
deposited to bond together. The strength of this bond will be determined by the temperature of both layers, 
as they will contribute to the molecular interdiffusion at the interface. High molecular interdiffusion will be 
promoted by high interface temperature, producing elevated bonding strength. FDM/FFF offers poor control 
over layers’ temperature, being able only to control the extruded temperature and the ambient temperature 
(e.g. by using 3D printers with a heated chamber or, less effective, with a heated bed). In conventional man-
ufacturing methods, the molten polymer has a homogeneous temperature during the process, maximizing 
therefore the molecular interdiffusion during the consolidation phase.  

As described in Chapter 4, homothetic foaming conditions will be applied to such 3D printed structure. Even 
though the maximum bonding strength reached by FDM/FFF during this analysis was about 1/3 of the maxi-
mum Poly(lactide) reported value in literature, the foaming step will help consolidating the interlayer fusion 
bonding. During homothetic foaming, the 3D structure is not molten, but has a temperature above the glass 
transition temperature (Tg). This temperature can be considered homogeneously distributed in the vessel 
volume, allowing to conclude that the material is homogeneously heated at this processing temperature. 
This first phenomena will help consolidating the 3D printed structure interfaces. Moreover, the expansion 
induced by the creation of a micro porosity within the bulk printed strands will increase the interlayer pres-
sure during this consolidation phase, improving the bond strength at the interfaces while foaming the mate-
rial. While being an important remark for single material structures, these two phenomena are fundamental 
to build a strong interface in multi-material structures where only one material is foamed.  
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5.4 Multi material scaffolds 
The obtained multi material printed scaffolds for the different combinations listed in Table 6 are displayed in 
Figure 5.13. As for the single layer scaffolds, satisfying printing quality was achieved. All the printed scaffolds 
showed good model fidelity compared to the 3D model and 100% interconnected porosity.  

 

Figure 5.13 Multi material printed scaffolds at Tprint = 220 °C. 

Microscope analysis has also permitted to study the dispersion of the -TCP ceramic particles in PLABTCP 
composite filament and printed scaffold. Figure 5.14 shows that the ceramic particles diameter range is be-
tween 2 and 10 . The obtained processing conditions for the extrusion of the filaments and for their dep-
osition allow to disperse and even improve the distribution of particle during the induced shear flows. 
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Figure 5.14 (A) β-TCP ceramic particles, (B), (C): dispersion of β-TCP ceramic particles within the PLABTCP composite 
filament; (D), (E) within the PLABTCP 3D printed scaffold. 

As demonstrated in the previous paragraph it is now possible to produce medical filaments to deposit them 
by a FDM 3D printer. A test batch of PLAPCL and PLABTCP was produced in form of such a filament, printed 
and foamed subsequently to create a 3D structure. The structure was cut in half and analysed by SEM to 
investigate the quality of the interface between the two materials. Figure 5.15 shows a schematic of the 
approach. 

 

Figure 5.15 Schematic of the process to create a multi material composed by a 3D printed structure and a 3D printed 
and foamed structure. 
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The produce material shows a good resistance to shear stress while being manipulated, without signs of 
delamination. The interface is clearly visible and remarks sharply the boundary between the two materials 
(Figure 5.16). The print is net, without sign of imperfection due to an inconstant filament diameter. 

SEM analysis from the top confirms the printing quality, with the cell walls of well-spaced and with a constant 
beam diameter. Looking at the interface from the inside of the structure no sign of defects is visible between 
the materials. The printing windows of the two materials are compatible and printing multi-material struc-
tures was thus achieved. 

 

Figure 5.16 Multi material scaffold printed from PLAPCL and PLABTCP. SEM pictures from above and the side are shown. 
No evidence of macroscopically differences is appreciable, sign of the good integration between the materials and its 
blend. 
Multi-material structures were tested under the same conditions shown in the previous paragraph for single 
material scaffolds. The mechanical response of the multi material scaffold was then compared to the one of 
the single materials to show the influence of such a structure on the mechanical response in uniaxial com-
pression. 

Three multi material scaffolds were produced from the combination of the three materials, but only the 
PLAPCL-PLABTCP was selected for the final application (Figure 5.17). 
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Figure 5.17 Compression response of PLAPCL-PLABTCP structures in unconfined compression in air. 

The multi material scaffold response fits the expected region between the lower and upper range delimited 
by the neat materials. The mechanical behaviour is similar to the one observed with PLAPCL scaffolds, where 
the elastic linear region is hidden by buckling effects from the beginning of the test. The average Young’s 
modulus was calculated to be about 108 MPa for a 50:50 Multi material scaffold. From the curve in Figure 
5.17, it is possible to extrapolate the behaviour of PLAPCL-PLABTCP multi-material structures under compres-
sion. At low strains, the influence of the PLAPCL dominates. All the stress is transferred to the softer region 
of the multi-material structure, represented by the PLAPCL layers. This soft layers start deforming, with a 
densification of the porous areas like explain in chapter 4, up to a critical value, at which the stress is pro-
gressively transferred to the stiffer layers of the structure, represented by the PLABTCP. At high strains, the 
PLABTCP response dominates, as observed by the sharp increase between 0.25 and 0.3 strain. This observa-
tion reflects the 50:50 ratio of PLAPCL and PLABTCP in the multi-material structure. For structure with a 
higher amount of PLAPCL (e.g. 80:20), it is expected to see an overall softening of the multi-material struc-
ture, resulting in a stiffness closed to the value of pure PLAPCL. Moreover, such a structure would show a 
compressive response similar to the PLAPCL curve, with a slope gently westwarding, without signs of loss of 
the macro-pores. by densification. A multi-material structure more imprinted towards stiff materials, as a 
ratio 10:80 of PLAPCL and PLABTCP, would present a shorter elastic region, followed by a more accentuated 
plateau. Densification would appear at lower strains as compared to a 80:20 structure where the PLAPCL 
deformes at first and progressively. 

5.5 Multi material foamed scaffolds 
The process of foaming a 3D printed structure to obtain a macro and micro porosity, explained in Chapter 4, 
can be applied to a multi-material structure to produce a dual porosity. In particular, the multi material struc-
ture could be designed to exploit the low temperature foaming processing window to induce porosity only 
in one of the two materials (Figure 5.18). This would lead to an interpenetration of the foamed material in 
the second thermoplastic phase, enhancing the interface between the two.  
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Figure 5.18 Schematic of the approach to produce a multi material multi-porosity cellular material. A 3D structure com-
posed of two different materials (top red for cartilage and bottom green for bone) is printed (left) and foamed at process 
conditions that allow only one material to foam. 
PLAPCL was chosen as the ideal candidate to extend the study on this selective foaming. As discussed in 
paragraph 5.2.1 PLAPCL is the softest medical grade filament. Table 8 shows the investigated processing con-
ditions. 

Table 8 PLAPCL conditions tested to produce homothetic foaming from a 3D printed biomaterial template. 

 

A processing window was determined from the best foaming conditions in relation to the final obtained mor-
phology, as shown in Figure 5.19. The red area shows all the pair of temperatures and pressure at which 
homothetic foaming does not occur. This is explained by the low concentration of CO2 in the material, an 
excessive high temperature melting the 3D geometry or an excessive pressure preventing the foaming to 
happen. The yellow area represents all the sets of parameters at which the foaming occurs, but the 3D struc-
ture does not respect the original 3D shape. This is due to the same phenomena described for the red area 
and it is considered as a transition zone to better samples. Also, defects in this region may involve porosity 
occlusion due to strand collapse and partial foaming of a wide area of the structure. The black and white 
strips area represents the conditions at which homothetic foaming occurs, but some minor defects are still 
observable. These may include local deformations and partial foaming of a minor area. Finally, the green area 
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represents the conditions at which homothetic foaming occurs and it shows reproducible results (e.g. homo-
geneously foamed samples were obtained on an average of n=3 samples). The processing windows can be 
explained also referring to the result of Chapter 4 for PLAm1. A low saturation temperature is required to 
keep the 3D printed structure without melting the geometry. Above 135 °C, saturation time higher than 1 
minute induces a partial or total melting of the structure and are therefore rejected. Temperatures lower 
than 110 °C can be rejected as well, as they do not allow the mobilization of PLAPCL chains, preventing CO2 
diffusion within the 3D structure and the foaming. The saturation pressure is responsible of CO2 diffusion 
within the polymer. In batch foaming, a high pressure is desirable to increase the carbon dioxide absorption, 
promoting cell nucleation. However, it was observed that without maintaining a proportion between pres-
sure and temperature, the increase of saturation pressure induces the 3D structure to collapse. This might 
be explained by the plasticiser effect of carbon dioxide on Poly(lactide) materials: the higher the content of 
CO2 in the polymer matrix, the lower will be the glass transition temperature (Tg) and the polymer viscosity. 
This effect might therefore soften the cellular structure to the collapse point, producing similar effects as a 
high saturation temperature. Increasing the temperature with the saturation pressure helps promoting cell 
nucleation and growth, creating thus a counter force to balance the collapsing behaviour. A high depressur-
ization rate is required to increase foam expansion and pore size. This information has been already reported 
for batch foaming39, but the influence of this parameter is crucial in homothetic foaming. Low depressuriza-
tion rates do not produce any foaming, leaving a non-homogenous structure as demonstrate by SEM analysis 
on PLAm1 in Chapter 4. For PLAPCL, depressurization rates above 40 bar/s are required to produce a well 
homogeneous structure.  

 

Figure 5.19 Processing windows for PLAPCL scaffold to produce a micro porosity from 3D templates. 

The application of the seen foaming conditions to multi material PLAPCL-PLABTCP scaffold led to the produc-
tion of hard and soft multi-material scaffold with a controlled macro/micro porosity, as shown in Figure 5.20 
and Figure 5.21.  

The influence of depressurization and saturation time is shown in Figure 5.20 and Figure 5.21. A longer satu-
ration time allow more time to the carbon dioxide to saturate the structure, increase the CO2 content in the 
matrix. Given a high depressurization rate, the structure will expand more, producing defects and deforming 
the macro porosity.  
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Figure 5.20 Example of foamed multi material scaffold (right) from a 3D printed template (left) with selective foaming 
of one material (condition 6 Table 8). 

 

Figure 5.21 Example of material expansion in multi-material scaffold during selective foaming (condition 6 Table 8). 

5.5.1 Mechanical properties of 3D printed and foamed multi material scaffolds 

Finally, mechanical properties in compression were compared with the literature value of aggregate modulus 
of articular cartilage and average the Young’s modulus measured on human articular cartilage in Chapter 2, 
as shown in Figure 5.22. TheThe neat solid PLAPCL with a Young’s Modulus assessed at 1 GPa from the liter-
ature 191, was processed at first into a multi material cellular structure with a PLABTCP by FDM/FFF, as previ-
ously described in this chapter. The average porosity determined from the CAD model and compared with 
the printed structure was about 66%, with a Young’s Modulus of about 90 MPa. The decrease of stiffness 
from the neat material to the cellular structure derives from the porous nature of the geometry, as described 
by the Gibson-Ashby model described in Chapter 2. This 3D model was determined after the mechanical 
testing of mono material and multi-material structures in Chapter 4 and previously in this chapter. The pro-
cessing windows of PLABTCP and PLAPCL homothetic foaming (Figure 5.19) were compared to find a third 
processing window to process the PLAPCL layers without foaming the PLABTCP. Given the lower melting 
temperature of the PLAPCL (Tm ≈ 160 °C) compared to the melting temperature of the PLABTCP (Tm ≈ 180 
°C), it was possible to process the multi material 3D printed scaffold into a foamed multi material scaffold. 
The compressive modulus reported in Figure 5.22 was obtained by foaming the PLAPCL-PLABTCP scaffold at 
120 °C, 170 bar, 5min and 60 dP/dt. The Young’s Modulus of this structure is about 2.44 MPa. As demon-
stratedemonstrated in Chapter 4 for PLAm1, homothetic foaming increases the overall structure porosity by 
foaming the bulk beams composing the 3D printed cellular structure. This increase of porosity induces a de-
crease of density, therefore decreasing the overall structure stiffness. A multi porous material with macro 
porosity in the PLABTCP layers (defined by the FDM/FFF) and a macro and micro porosity in the PLAPCL layers 
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(defined by the FDM/FFF and homothetic foaming of the structure) is produced as result, with a stiffness 
reduced by about 100 times the value of the neat polymer. 

From the processing window of PLAPCL, shown in Figure 5.19, multi-material structures with different stiff-
ness were obtained by tuning the foaming parameters. In particular, three PLAPCL/PLABTCP structures were 
selected as representing of the average low, medium and high induced microporosity. All the PLAPCL scaf-
folds were design to have 4 mm thickness after foaming, but different geometries are achievable to meet the 
desired scaffold thickness, up to a minimum of 0.4 mm. The minimum PLAPCL scaffold thickness is limited by 
the number of layers constituting the structure, corresponding to two of about 0.1 mm thickness. Under this 
condition, a minimum of two layers per beam is deposited, providing sufficient mechanical stability and stiff-
ness to be safely handled.  

The compressive response of the foamed PLAPCL/PLABTCP structures were then compared with the value of 
the cartilage aggregate modulus from the state of the art and the gradient stiffness measuremeasured by 
nanoindentation. The aggregate modulus represents the extra cellular matrix response of the articular carti-
lage to compression, e.g. without the influence of hydrostatic forces. As shown in Figure 5.22, the three multi-
material structures fall in the range of the cartilage modulus reported from literature (references in Table 2, 
Chapter 2).  

These results show the range of mechanical properties achievable by tuning the micro and macro porosity, 
processing structures with stiffness comparable with the gradient properties of the three layers composing 
the articular cartilage. Three values were reported for the structures: 2.44 MPa, 4.23 MPa and 11.03 MPa. 
The original 3D printed structures shown a range of stiffness from 24 MPa (PLAPCL 90-10 PLABTPPLABTCP) 
to 394 MPa (PLAPCL 10-90 PLABTCP). By tuning the ratio of PLAPCL-PLABTCP, the geometry of the 3D printed 
structure (e.g. strands thickness, pore size, layer orientation, layer thickness, porosity) and the foaming con-
ditions a variety of structures with average stiffness between 2.44 MPa (highest foaming porosity) to 11.03 
MPA (lowest foaming porosity) could therefore be obtained.  
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Figure 5.22 Schematic of the stiffness of the multi-material structures obtained by homothetic foaming compared to 
the 3D printed structures and articular cartilage. Articular cartilage Young’s modulus was obtained from literature (ref-
erences in Table 1). Φfoaming indicates the microporosity induced by the foaming of the PLAPCL layers, as described in 
Table 1. The ratio of PLAPCL and PLABTCP shows the proportion of the two materials in the multi-material structure.  

5.6 Conclusions 
This chapter described how homothetic foaming, presented in Chapter 4 for a neat Poly(lactide), could be 
applied to process 3D printed multi-material structures into hierarchical micro/macro porous cellular struc-
tures. In particular, the homothetic foaming was demonstrated to be tunable to achieve different mechanical 
properties, mimicking the local stiffness of the articular cartilage measured in Chapter 2. 

In order to understand the influence of the printing parameters on their fracture toughness, effect of printing 
temperature and speed were investigated by mean of a compact tension test (CT). While the first orientations 
showed no significant differences while varying the printing parameters, the second showed higher fracture 
toughness and a tendency to increase the toughness while decreasing the printing speed at low temperature 
Indeed, the slower the deposition of the filament the better the heat transfer for non-isothermal local fusion 
bonding and higher fracture toughness. These results were therefore exploited to better control the 3D print-
ing of cellular structures selected for further testing. 

Different medical grade of neat polymers were processed into 1.75 mm filaments for FDM/FFF machines 
(details in Annex II). Three classes of filaments were produced: neat polymers (PLAm1, PLLA), copolymers 
(PLAPCL, PLAPGA) and blends (PLAPEG, PLABTCP). These filaments were 3D printed into cellular structures 
and then PLABTCP and PLAPCL were considered for further analysis. The average stiffness of such geometries 
was assessed by unconfined uniaxial compression testing in air and PBS. PLAm1 and PLAPCL showed a sharp 
increase in stiffness when tested in different medium. In particular, they expressed a higher stiffness in PBS, 
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which was hypothesized to be related to the hydrostatic effect of the PBS flowing out of the macro-porosity 
in the 3D cellular structure. PLAPCL structures’ average stiffness of 19.2 MPa showed to be still far from the 
target range of value of 0.01 – 10 MPa of the articular cartilage. The principal limitations, represented by the 
Young’s modulus of the neat material and the maximum porosity achievable by 3D printing, were targeted 
by adding a further step of homothetic foaming. 

PLAPCL and PLABTCP were printed in a 50:50 multi-material structure to mimick the cartilage and bone layers 
composing the osteochondral tissue. The average stiffness of such 3D printed structure was assested at 108 
MPa. This value falls within the range of the two neat materials of 19.2 MPa and 428.4 MPa as expected. 
Interestingly, the deformation under load of such a structure was observed to be dominated by two different 
phenomena. At first, the load is withstood by the PLAPCL, inducing a deformation in the softest region of the 
multi-material structure. The yield point observable in Figure 5.7 for the PLABTCP structure is no longer dis-
tinguible from the buckling region. This phenomenon is due to the progressive deformation of the PLAPCL 
strands and consequent progressive densification of the macro-porosity in the softest region of the multi-
material structure. PLAPCL densification continues up to a given stress value, observed slightly above 20 MPa, 
at which the stress begins to be transmitted to the PLABTCP layers. At this point, the measured stress in the 
multi-material structure follows the PLABTCP slope previously observed for the mono-material structure. 

PLAPCL layers in the 50:50 multi-material structure were successfully foamed into three different range of 
induced micro-porosity, showing an average stiffness of respectively 2.44 MPa, 4.23 MPa and 11.03 MPa. By 
tuning pressure, temperature and the depressurization rate as discussed in Chapter 4 it was possible to con-
trol the homothetic foaming for PLAPCL. Moreover, by processing a multi-material structure of PLAPCL-PLAB-
TCP to selectively foam only one material (PLAPCL) the advantage of homothetic foaming was demonstrated. 

Compared with other manufacturing technology, homothetic foaming was able to meet the original objective 
of this thesis to mimic the articular cartilage local stiffness with a polymer hierarchical cellular structure. In 
particular, this was possible applying homothetic foaming to a 3D printed multi material PLAPCL-PLABTCP 
structure. This scaffold represents therefore a good candidate for osteochondral repair. Further biological 
tests will be required for the final application and will be described in Annex I. 
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3D Foam Printing 
6.1 Introduction 
Hierarchical cellular structures have been successfully produced by different methods19, including homo-
thetic foaming as described in Chapter 4 and Chapter 5. A key feature that is still missing in all these ap-
proaches is the possibility to shape the desired cellular structure into an object with a complex 3D structure. 
Homothetic foaming was developed to fill this gap, combining Fused Deposition Modelling / Fused Filament 
Fabrication with Supercritical carbon dioxide Foaming to offer a better control over the structure 3D geom-
etry, the macro porosity (1 – 0.2 mm) and the micro porosity (0.1 – 0.01 mm). The natural evolution of this 
technique is the integration of all the processing steps in a single process. This would simplify the current 
processing of such hierarchical cellular structures. 

This chapter will describe how to produce hierarchical cellular structures by 3D printing of cellular micro 
porous polymer strands into a macro porous object with a controlled shape. 3D foam printing (abbreviated 
in 3DFP) principle is straightforward: a thermoplastic material is saturated with carbon dioxide (CO2), which 
is therefore released during the deposition phase, creating a porous strand. This technology is a step forward 
from the homothetic foaming shown in Chapter 4, as it introduces a higher degree of design freedom by 
controlling the strands micro porosity online during the deposition. At first, the principle of 3D foam printing 
will be investigated, considering the deposition of porous strands with a model Poly(lactide) material. Two 
levels of insight will be given: how to control filament saturation achieving the desired concentration of CO2 

and the correlation between printing parameters (e.g. nozzle temperature and printing speed) with strand 
porosity and pores morphology. The influence of the saturation conditions on the CO2 content in the filament 
will be studied. Then, the work will focus on the possibility to control the processing parameters to tune the 
micro porous strands structure. In particular, the influence of printing speed and temperature on strand foam 
expansion, porosity and pore morphology will be investigated. Finally, the possibility to apply 3D foam print-
ing on medical materials will be evaluated, showing how to apply the knowledge acquired on the model 
material to process hierarchical cellular structures with polymer and composite materials. 

6.2 Materials and methods 

6.2.1 Material selection 

Commercial PLAm1 filaments, diameter 1.75 mm, were bought from TreeD Filaments. PLAPCL and PLABTCP 
filaments were produced in-house with a Noztek Extruder as described in Annex II.  

6.2.2 Filament saturation 

A high temperature high pressure autoclave described in Chapter 3 was used to saturate the filaments. Prior 
to the saturation, each filament was dried at 90°C for 8h. Filaments were kept at a constant temperature, 
ranging from 25 to 120 °C, and constant pressure, ranging from 50 to 150 bars, for a given saturation time 
(from 1 to 24 hours) to induce the diffusion of carbon dioxide into the filaments. The vessel was then depres-
surized to 1bar at different rates (from 0.1bar/s to 70bar/s). 

The content of CO2 (%wCO2) diffused into the filaments was determined by a precision scale, weighting the 
filaments before and after the saturation phase (resolution 1mg).   
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The %wCO2 was measured by  

 

where wsat is the weight of the saturated filament immediately after the process and w is the weight of the 
same filament prior the saturation. 

6.2.3 Printing 3D foams 

All saturated filaments were extruded by a Markebot Replicator 2, using a 1mm nozzle size, at extrusion 
speed from 10 to 100 mm/s and hot-end temperature from 180 to 250°C. All the parameters were monitored 
by ReplicatorG.  

6.2.4 Strands expansion and porosity 

Foam morphologies were investigated by scanning electron microscopy (SEM, Philips Xlf-30). Specimens 
were sliced and therefore coated with a 20nm thick carbon layer using a carbon coater (Cressington Carbon 
Coater 108 carbon).  

Strands expansion rate from the expected diameter (set as the nozzle size) was determined from precision 
calliper measurements and image comparison at Image J 192–194.  

6.2.5 Mechanical properties 

Strands mechanical properties were measured by indentation tests by an instrumental indenter (Ultra 
Nanoindenter Tester™ from Anton Paar, Peseux, Switzerland). All indentation tests were performed in dis-
placement control mode using a Berkovich indenter tip (ø 500 μm) made of ruby. The maximum displacement 
of 100 μm was attained at a displacement rate of 120 μm/min. The loading was followed by a 30 s hold-time 
and an unloading phase at 120 μm/min. On each strand, six indentations were performed. The first line of 
indentation was performed every 300 μm along the longitudinal axe, while the second line of measurements 
was performed parallel to the first at a distance of 200 μm.  

The mechanical modelling values were obtained applying the Gibson-Ashby model described in Chapter 3, 
equation 2 and 3. The strand density was measured by weighting the samples by a precision scale and calcu-
lating the average volume by measuring strand diameter with a precision calliper. Each strand was cut to a 
fixed length of 10 mm. 

6.3 Results 
A schematic of the approach followed to saturate the FDM/FFF filaments with carbon dioxide and deposit 
porous strands into a 3D object is described in Figure 6.1. The process consists in two phases: filament satu-
ration and printing. During the filament saturation, a 1.75 mm filament is positioned in the autoclave vessel 
and exposed to a pressure-temperature cycle to allow the carbon dioxide diffusing in the material. Low tem-
perature and depressurization rates were adopted to prevent unwanted filament foaming during this stage 
of the process. At the end of the cycle, the %wtCO2 present in the filament was quantified. In the second 
phase, the filament was fed into a FDM/FFF machine. The heat transfer from the hot-end of the 3D printer 
induces the cells growth and nucleation of the CO2 in the molten polymer, as described in Chapter 3 for batch 
supercritical foaming. A porous strand is therefore produced at the nozzle exit as result of the process.  
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Figure 6.1 Schematic of the approach to produce 3D printed foams. The process starts by a gas saturation step of a 
thermoplastic filament to induce CO2 diffusion into the material (Phase 1). During a 3D additive manufacturing process 
such as the Fused Deposition Modelling (FDM) the filament is deposited in smaller strands (from 0.4 to 2 mm). Spacing 
the strands during the deposition a macro porosity (0.4 to 10 mm) is created. Additionally, CO2 nucleate and escape 
from the strands, leaving a controlled micro porosity (1 μm to 300 μm) during the printing.  

6.3.1 Filament saturation 

Table 9 illustrates the different conditions investigated to optimize filaments saturation and foaming. Influ-
ence of CO2 states (gas, liquid and supercritical) was tested in different combinations. The best processing 
condition to maximise the carbon dioxide content was having CO2 at gaseous state, leaving the filaments 
saturating for about 2 hours at 10 °C and 45 bars. In the optic to apply the saturation step priori to printing 
in an ad-hoc machine, the minimum saturation time is required while maximizing the CO2 content. Saturating 
the filament at 60 °C for 5 minutes, at a pressure of 80 bars showed a very similar CO2 tenor in the material, 
also being a good candidate to shorten the saturation phase. Liquid CO2 at 10 °C, 79bars left saturating for 10 
minutes gave excellent results as well, producing a CO2 tenor of about 20 %. We decided to proceed with 
liquid CO2, in the optics to reduce as much as possible the processing time, while keeping low temperature 
and low pressure. 
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Table 9 Influence of carbon dioxide phase on filament saturation at different processing conditions. Variation of the 
saturation temperature, pressure and time different carbon dioxide dissolution into a PLA 1.75mm filament was evalu-
ated. The best conditions adopted were the ones maximizing the carbon dioxide content in the shortest time at the 
mildest possible conditions. 

 

6.3.2 Strand expansion 

Figure 6.2 gives a visual overview on the obtained results. At 250 °C and 200 °C strands diameter increases 
constantly from 2.13 mm ± 0.07 mm to 2.57 mm ± 0.07 mm with the increase of printing speed in the first 
case and from 1.79 mm ± 0.05 mm to 2.12 mm ± 0.06 mm in the latter. T-test indicates a statistical difference 
with p < 0.01. Interestingly, at 180 °C the positive trend switched to a negative correlation between temper-
ature and printing speed, with the strands diameter decreasing from 1.84 mm ± 0.13 mm to 1.64 mm ± 0.06 
mm. No statistical difference (p > 0.1) has been shown between printing at 10 mm/s at 180 °C (1.84 mm ± 
0.13 mm) and at 200 °C (1.79 mm ± 0.05 mm). The negative correlation at 180 °C between strands diameter 
and printing speed can be explained by the heat exchange between the heating block and the material. At 
180 °C the heat transfer to the polymer is insufficient to produce a large expansion rate, given the low chains 
mobility and thus a low cells growth leading to smaller pores. When increasing the printing speed, the mate-
rial will experience a lower residence time in the heating block and thus an even lower growth of cells. Pore 
size and strands diameter decreased to the minimum value observed of 1.64 mm ± 0.06 mm. Viscosity, which 
has a minor influence here due to the insufficient heat transfer, has an important role to explain the strands 
diameter positive correlation with temperature and printing speed for heating temperature above 200 °C. As 
demonstrated by rheological analysis195, material viscosity decreases exponentially with the increase of print-
ing temperature and speed. High printing temperature leads also to a more uniform heat distribution expe-
rienced by the material in the heating block, allowing a fast cell growth and thus higher porosity and strands 
expansion during the depressurization at the exit of the nozzle. The same behaviour is shown for printing 
speed: PLA has well known shear-thinning properties, meaning that at higher shear stresses the viscosity will 
decrease. A decrease of viscosity, keeping constant nozzle diameter and temperature, is expected to lead to 
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an easier CO2 nucleation and therefore higher expansion rate, as observed with the increase of strands di-
ameter.  

 

Figure 6.2 Influence of printing temperature and printing speed on strands expansion at the nozzle exit. Three temper-
atures were tested: low (180 °C), medium (200 °C), and high (250 °C). At 200 °C and 250 °C strands diameter and printing 
speed are positively correlated (p < 0.01). At 180 °C the heat transfer is insufficient to triggers pores growth, reducing 
strand expansion. T-test conducted with n = 12. 

6.3.3 Pores morphology and porosity distribution 

The cross- section of a non-saturated 3D printed filament is shown in Figure 6.3 for comparison. Influence of 
processing parameters, as extrusion temperature and speed on strand morphology and pores distribution, 
investigated in the range of 180 to 250 °C and from 10 to 100 mm/s, are shown in Figure 6.4. Nozzle size was 
set to 1 mm and CO2 concentration to 14 %w, which represented an optimal saturation condition in terms of 
strand expansion, saturation time and temperature. On the left column (a, c, e, g) the overall morphologies 
are shown (scale bar 1 mm, scale bar 0.5 mm in image C), while on the right column (b, d, f, h) zooms at 200 
μm scale shows porosity distribution, typology (open/closed cells) and pore size.  

 
Figure 6.3 Strand cross-section of a non-saturated filament after printing. No porosity is observable after printing, due 
to the absence of CO2 in the filament. 
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At 180 °C a core-shell structure is formed, with a well-defined skin at the surface of the strand of about 100 
μm thickness with a sharp interface between the core porosity and the bulk shell. 

As observed in polymer foaming, the heat transfer induces a rapid cooling of the outer skin even before 
development of pores or cells. This phenomenon is promoted as well by the high viscosity and low depres-
surization rate encountered here. At higher temperatures and subsequent lower polymer viscosity or/and 
higher depressurization rates of the other conditions the thick skin has disappeared. At this low temperature 
and deposition speed the average porosity in the core is 53.23 % with larger size pores close to the skin where 
the gas couldn’t escape and thus promoted the growth of pores. With the increase of the extrusion rate to 
100 mm/s, a higher depressurization induces a more homogenous nucleation of smaller pores everywhere 
through the section. A smoother gradient in porosity is observed with large cells at the centre to smaller cells 
with some open to the surrounding environment. Furthermore, the collapsing of cells at the centre generates 
a hollow-like structure with a continuous channel of about 300 μm diameter. Longitudinal flow can be con-
sidered with this type of hollow filament.  

At 250 °C and 10 mm/s, the average porosity is 68.0 % and the pore size is reduced when compared to lower 
temperatures but the foaming expansion is larger. The temperature has reduced the viscosity offering a pol-
ymer state more favourable to homogeneous foaming. A well-defined porosity gradient is therefore formed, 
with pore size increasing gradually from the outer edge to the centre. The core of the strand showed to be 
more confined and less pore growth occurs, while in the outer volume of the filament large pore will offer 
higher diffusion paths. Increasing the extrusion rate at 100 mm/s always generates more nucleation sites and 
therefore more but smaller cells are created. The average porosity is 65.8 % and the porosity gradient is 
reduced.  

When directly comparing the results obtained at the two extrusion temperatures, guidelines to tailor on line 
the morphology of a filament can be proposed. The average pore size was reduced by increasing the deposi-
tion speed, because of the induced higher depressurization rate that promotes more cell nucleation and 
reduces the time window for cell growth. Same consideration applies for the temperature, which increase 
correlates negatively with the average pore size.  

The heat transfers from the heating block through the nozzle and the material influence as well the pore size 
distribution and pore density. Temperature gradients in the polymer induce viscosity gradients, which are 
tuned also by changing the deposition speed. By this, core-skin filaments or hollow filaments could be created 
and deposited simultaneously, inducing a slow depressurization and cooling in the first case and a fast cooling 
at high depressurization in the latter. How the extreme processing conditions influence the internal micro-
structure of the porous strands can be interpreted to guide to the creation of custom morphologies. Depos-
iting different layers one on top of another by 3D printing layer-by-layer process enables to tune cellular 
structures to a precise hierarchy of micro and macro pores, as shown in Figure 6.4.  

These foam morphologies were obtained under free foaming conditions (discussed in Chapter 4). The ab-
sence of a restraining mold allows the strads to foam homothetically, promoting pore growth instead of 
nucleation. When depositing these strands in a layer-by-layer fashion, the interface between two micro-po-
rous strands is expected to follow a more confined behaviour (e.g. promoting nucleation and thus the crea-
tion of smaller pores), therefore creating an intrinsic gradient porosity from the core of the beam to the 
surface. 
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Figure 6.4 SEM images of strands morphology at extreme extrusion temperature (180 °C to 250 °C) and speed (10mm/s 
to 100 mm/s) at 14 wt%CO2. At 180 °C the heat transfer through the material is non homogeneous (PLA Tm = 160 °C), 
afflicting pores growth. (a, b) As a result of the low printing speed (10 mm/s), a thick skin is formed on strands surface. 
Pore size increases homogeneously from the centre of the strand to the skin as a result of the low cooling rate and low 
depressurization. (c, d) At high printing speed (100 mm/s), the rapid depressurization induces pores collapsing at the 
strand core. A hollow-like structure with a continuous channel of an average diameter of 300 μm is formed. At 250 °C 
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the printing temperature is sufficient to assure to melt homogeneously the material in the nozzle. (e, f) At low printing 
speed (10 mm/s) pores growth is reduced, producing smaller pores compared to low temperature. A well-defined po-
rosity gradient from centre to surface is shown, with lower skin formation. (g, h) Increase the printing speed to 100 
mm/s increases as well the depressurization rate. Nucleation sites increase as a result, producing a higher number of 
pores compared to a lower depressurization rate. 

6.3.4 Strand-to-strand interface 

A multifilament structure obtained with deposition parameters of 220 °C and 25 mm/s, of polymer with 14 
%w CO2 content was then sliced and analysed at SEM with the methodology previously described. In Figure 
6.5 it is possible to observe how the filaments foamed during deposition and bond together with a thick 
interface of about 150 μm. Intimate contact and interdiffusion 189 are obtained locally between two filaments 
during the fusion bonding. The pressure drives the first bonding phenomenon. Here the expansion of the 
filament during deposition certainly brings additional pressure for reaching intimate contact. The interfacial 
structure goes gradually from cellular intra filament structure to bulk interface and then again to cellular 
porous structure. As previously discussed, the deposition of porous trands in a layer-by-layer fashion pro-
motes nucleation (confined foaming) instead of pore growth (free foaming). At the interface between the 
strands a smaller porosity is thus formed, thus creating instrinsically a porosity gradient.  

The possibility to layer different filaments to create complex 3D shapes of foamed materials is demonstrated 
and expands the versatility of the classical FDM. Core-shell porous structure is a well-known morphology in 
nature, being in compliant vegetables structures or in stiff bone 196. Furthermore, structures combining ori-
ented filaments each having different properties and functions is of main interest in the new generation of 
functional composites for engineering applications. Implants where vascularization or drug delivery can ben-
efit from anisotropic porosities therefore with various diffusion paths and flow kinetics will certainly be part 
of the coming generation of body regeneration and repair solutions.  

 

Figure 6.5 Scanning Electron Microscopy of layer-by-layer deposition of foamed strands. (a) Interface bonds between 
two core-shell strands. CO2 escapes from the material during the extrusion melting phase, producing a pressure at the 
edge of the nozzle and allowing a good bonding between the deposited layers. As results, a thick solid interface from 
the shell fusion is created, showing a gradual passage from porous to bulk and porous again (b). 

6.3.5 Pores density evolutions 

Strand density was measured by precision scale after being printed. Two saturation conditions (7 wt%CO2, 
20 wt%CO2) printed at three different temperatures (180, 215, 250 °C) and speeds (10, 25, 50 RPM) were 
considered.  
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At high wt%CO2 at 215 and 250 °C, a negative correlation between printing speed and density is observed. 
While increasing the printing speed, the depressurization is expected to increase, producing a higher filament 
expansion and therefore reducing the density by increasing the strand porosity. At 180 °C, it is impossible to 
observe an explicit trend. These results well suit the experiments of strand expansion during printing shown 
in Figure 6.6, which discussion on heat exchange at the nozzle also explains the trends.  

At 7% wtCO2 strands density follows an unpredictable trend: at 250 °C density is positively correlated with 
printing speed, while reducing the temperature the correlation disappeared (at 215 °C) and became nega-
tively correlated. 

 

Figure 6.6 Free-flow strand density obtained at different printing speed at two set points of nozzle temperature (low 
180 °C, high 250 °C) and two values of CO2 %wt (7 %wt and 20 %wt). At 7 %wt, at 180 °C an increase in density is 
observed increasing the printing speed from a 10 mm/s to a 25 mm/s. No influence is shown at 50 mm/s. At 250 °C, the 
peak of density is at 25 mm/s, while there is no statistical difference extruding at 10 or 50 mm/s. At 20 %wt, at 180 °C 
there is no statistical difference among all the processing condition. However, at 250 °C, the strands density sharply fells 
from a 10 mm/s to 25 mm/s and finally to 50 mm/s. 

6.3.6 Strand mechanical properties 

Gibson-Ashby model was applied to indirectly estimate the open/closed porosity from a set of filaments at 
250 °C from density measurements (Figure 6.7). Empirical data of the local filament Young’s modulus were 
collected from instrumental nanoindentation on a set of n = 5 measurements of 3 samples. In Figure 6.7 it is 
possible to appreciate how the experimental values from nanoindentation fits in the region delimited by the 
two models, estimated at 100 % closed porosity (n = 1, top orange line) and 100 % open porosity (n=2, bottom 
grey line). Even if the average values well fits the experiments, it is difficult to give conclusions about the 
mechanical properties of the single porous strand by using nanoindentation. The low reproducibility, due to 
the indentation of porous structures, and the curved surface of the porous filaments do not allow repeating 
with confidence the experiments. Triple point bending has been investigated as putative method to collect 
information about the Young’s modulus of the porous filaments, giving promising preliminary results.  
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Figure 6.7 Young’s modulus measured by instrumental nanoindentation (n=3 samples, n= 5 measurements) and com-
pared with Gibson-Ashby model with closed (n=1) and open (n=2) porosity. Experimental values fits in the modelling 
region delimitated between fully open (low end) and fully closed (high end) porosity, showing a potentially good inter-
connectivity of the pores. 

6.3.7 3D printing of medical foams 

As demonstrated with PLAm1, strands diameter (e.g. pore size and porosity) can be adjusted varying the 
processing parameters (printing speed and temperature). In particular, the strands expansion is observed to 
be maximum at 250 °C, limit temperature before to induce polymer degradation. For some applications stiff 
composite filaments or deformable porous filaments might be required for the overall 3D structure or for 
some local or directional elements only. In the next section, the two material selected for osteochondral 
repair from the results in Chapter 5 were selected to be processed by 3D foam printing. Printing speed was 
set to 50 mm/s, as soft materials (e.g. PLAPCL) are difficult to be printed at higher speeds due to jamming in 
the feeding system. Saturation cycles were chosen to: i) maximize the CO2 content, ii) obtain a similar w%CO2 
content in each material and iii) keep saturation time as short as possible. 10 w%CO2 was reached for both 
the materials prior to printing. 

Following the same protocol of saturation and printing described in Chapter 3, a composite filament of PLAB-
TCP with 77.63% open porosity was obtained (Figure 6.8), which could be used to directly 3D print bone 
scaffolds, guiding bone growth by controlling the 3D deposition of osteoconductive and stiff porous strands 
as previously demonstrated34,197. In the latter case, PLAPCL strands showed a closed porosity (average 
80.26%) and limited strand expansion, (average diameter: 1.42 mm). The already low stiffness of PLAPCL 
structures could be therefore further reduced to produce anisotropic soft foams, thanks to the low strand 
expansion during the printing. An example of 3D printed scaffold is given in Figure 6.9Figure 6.9. 

The difference in porosity between PLABTCP and PLAPCL can also be explained by the foaming phenomena 
associated with the properties of the two materials. PLABTCP is a composite material, presenting small ce-
ramic particles embedded into a Poly(lactide) matrix. The presence of such particles promotes an increasing 
of material viscosity and crystallinity. Both these material features haveve a negatvenegative correlation with 
pore growth, reducing the average pore size. At higher viscosity, the pressure required to expand a single 
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pore is higher, producing therefore smaller pores compare with the same material at lower viscosity under 
the same foaming conditions. Higher crystallinity prevents CO2 diffusion, reducing both the gas concentration 
in the material and thus the driving force to expand the pores. PLABTCP is therefore expected to show smaller 
pores, as confirmed by Figure 6.8. 

 

Figure 6.8 (a) SEM cross-section of a PLAPCL foamed strand, showing a close porosity (b) homogeneously distributed 
(average porosity: 80.26 %). (c) A PLAPCL strand showing a homogeneous open cells porosity (average porosity: 77.63 
%), (d) increasing from the edge to the centre. 

 

Figure 6.9 Exemplification of a hierarchical structure obtained by 3D foam printing. a) A custom geometry is created 
depositing porous strands, giving the overall 3D shape by layer-by-layer deposition, while b) the micro-porosity within 
the strands is tuned by controlling the CO2 desaturation from the filament during the deposition. 
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6.4 Conclusions 
In this work we introduced a new additive process, called 3D Foam Printing (3DFP), to create complex 3D 
hierarchical porous geometries. Physical CO2 foaming can now be miniaturized into a FFF/FDM 3D printer, 
introducing for the first time the possibility to deposit porous strands into a macro-porous structure in a 
controlled process.  

The process was first validated with PLAm1 1.75 mm filament and developed by mean of a Makerbot Repli-
cator 2 3D printer. In particular, two processing windows have been established, describing: (i) which satu-
ration condition shall be adopted to meet the desired CO2 concentration in the desired filament and (ii) which 
printing conditions (e.g. nozzle temperature and extrusion speed) shall be used to produce the desired strand 
morphology (e.g. hollow, radial porosity gradient, homogeneous porosity). For the latter point, Simplify 3D, 
a slicing software, has been adopted to precisely monitor all the 3D printing parameters. 

A link between fundamental foaming steps (e.g. nucleation, cell growth and stabilization) and printing pa-
rameter (e.g. temperature, speed and nozzle size) was established to control the micro porosity within the 
extruded strands. The in situ foamed strands can be layered to create a 3D structure with a solid interface 
between two porosity gradients, controlling the microstructure at each layer by varying online printing speed 
and temperature. This design freedom is one of the main advantage of this new technology compared to e.g. 
solvent casting/particulate leaching, in which the materials needs to be modified to include a porogen (e.g. 
salts, sugar, glycerol). 

The nozzle size has a notable influence over strand desaturation and therefore over foam expansion and 
morphology. At small nozzle size (e.g. below 1 mm), strands porosity was negligible, non-uniform or not con-
trollable. At larger nozzle size (e.g. 1 mm) printing parameters can be tuned to influence the porous strands 
during free extrusion (e.g. without depositing the strands or layering them). In particular, strand expansion 
at the nozzle end and micro-cellular morphology are controllable by increasing or decreasing printing tem-
perature and speed.  

Scanning Electron Microscopy investigation of multi-layered porous strands shows a thick non-porous inter-
face between consecutive porous cores. The fusion bonding of these foams skin ensured the integrity of the 
final cellular structure. Mechanical properties have been assessed by instrumental nano indentation and then 
correlated with Gibson-Ashby models of open/closed cellular structures. The cellular filaments have modulus 
closed to the one of the open cell model, indicating the presence of interconnectivity. 

3DFP has been here extensively characterized for an extrusion grade Poly(lactide), but also applied to differ-
ent biomaterials. PLAPCL and PLABTCP composite filaments were used to successfully obtain cellular leading 
to the creation of sample specimens. 

By being able to control pore size, distribution and morphology online while printing, this technology would 
allow the manufacturing of complex 3D gradient geometries with dual-porous hierarchical architectures. The 
combination of oriented strands each having different properties and functions is of main interest in the new 
generation of functional composites for engineering applications. Implants where vascularization or drug de-
livery can benefit from anisotropic porosities therefore with various diffusion paths and flow kinetics will 
certainly be part of the coming generation of body regeneration and repair solutions. The unmatched design 
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freedom of free form 3D hierarchical porous structures could be applied not only for tissue engineering ap-
plications, but also to positively influence fields as energy storage and microfluidics, where a tuneable multi-
scale porosity is highly demanded. 
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Conclusions and Perspectives 
7.1 Conclusions 
The main objective of this study was to develop novel manufacturing methods to produce hierarchical cellu-
lar structures and apply them to the creation of scaffolds for osteochondral repair. It was achieved by inte-
grating Additive Manufacturing of polymer materials using Fused Deposition Modelling / Fused Filament Fab-
rication (FDM/FFF) and Supercritical carbon dioxide Foaming (ScCO2) to produce cellular structures with tune-
able micro and macro porosities. The versatility of the process allows to envisage other applications. 

A process called 3D homothetic foaming was characterized for the first time. It allows foaming a 3D printed 
macro porous structure into a dual porosity macro and micro cellular structure. This process was exploited 
to create hierarchical scaffolds from a model thermoplastic material, a food grade Poly (lactide acid). All the 
processing steps were considered from the melting and extrusion of polymer filaments, to their deposition 
under different conditions, and their successive placement in 3D structures that were then foamed. For ex-
ample, an initial 3D printed structure with a strength of 30 MPa at 15 % deformation could be tailored by 
foaming to have strengths ranging from 10 MPa to few kPa. 

Filaments for 3D printing of six different biomaterials, including copolymers and composites were extruded 
and characterized. In particular, the effect of extrusion parameters on crystallinity and polymer degradation 
were investigated, showing how to process medical materials from raw powder into a well-shaped 3D struc-
ture. Homothetic foaming was applied to the 3D printed templates of the previously characterized medical 
materials. The processing windows were determined to control the foaming and how to tune the mechanical 
properties of the final micro/macro porous structure. Moreover, it was demonstrated that homothetic foam-
ing is a selective process that could be used to foam only a single material of a multi material structure. In 
particular, a multi material scaffold of PLAPCL and PLABTCP was selectively foamed to mimic the osteochon-
dral hierarchical microstructure and mechanical properties.  

A second novel process to produce hierarchical micro/macro porous structures by 3D printing was described 
for the first time under the name of 3D Foam Printing. It was studied how to saturate a thermoplastic filament 
and place 3D porous strands in a layer-by-layer fashion to additively create complex cellular structures. The 
influence of the processing parameters on strands porosity and strands expansion was clearly described, 
showing how to live tune the pores morphology during the deposition. For example, hollow strands or having 
a radial porosity gradient were obtained. Different materials were investigated, from a food grade Poly (lac-
tide acid) to different medical filaments.  

Furthermore, local mechanical properties of human articular cartilage were established by instrumental 
nanoindentation. It was demonstrated that articular cartilage increases in stiffness from the superficial layer 
expose to cartilage-to-cartilage contact to the subchondral bone. A first step towards the mimicking of the 
local stiffness value observed has been obtained reproducing the average stiffness measured in human car-
tilage, which average value is equal to 2.5 MPa. This result was obtained by mean of a multi material struc-
ture, composed by a 3D printed composite PLA based material (PLABTCP) and a soft foamed copolymer of 
PLA and PCL (PLAPCL). Figure 7.1 illustrates the main obtained results, showing how the studied process and 
materials cover the performance area between bone and cartilage. The purple area shows the Young’s mod-
ulus / density values obtainable by 3D printing of PLABTCP and PLAPCL, while the blue area the range of 
properties obtained after applying homothetic foaming to the original 3D structure. Finally, the green area 
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shows the target Young’s modulus value to match the human articular cartilage properties. PLAPCL scaffolds 
well met the desired range of Young’s modulus, but are almost two order of magnitude away in density from 
what observed in articular cartilage. A way to reach the desired density with the proposed PLAPCL scaffold 
would be to fill the macroporosity with an hydrogel. An hybrid multi-material structure would be then cre-
ated, offering the density of a liquid (hydrogel density is equivalent to water density, which constitutes 70 % 
of the cartilage) with the mechanical properties of the PLAPCL scaffold. 

 

Figure 7.1 Ashby diagram comparing the structures developed by homothetic foaming and 3D foam printing with the 
target application of osteochondral repair. The blue area represents the range of Young’s modulus / density achievable 
by homothetic foaming, while the purple area the one achievable by 3D printing. The green area represents the target 
Young’s modulus value to mimic cartilage measured properties. 

A comparison of homothetic foaming and 3D foam printing in comparison with other manufacturing methods 
to process cellular structures is made in Figure 7.2. Average pore size and structure density of different man-
ufacturing methods were compared. While offering a greater freedom to process complex 3D geometries 
when compared to other methods, FDM/FFF suffers a limitation in the maximum achievable porosity. Homo-
thetic foaming, described in Chapter 4 and 5, clearly opens the possibility to manufacture novel hierarchical 
cellular structures, reducing structure density and therefore the average structure stiffness. 3D foam printing, 
described in Chapter 6, comes as an update of the homotetic foaming, offering for the first time the possibil-
ity to live tune pore morphology and porosity gradient during the process. This was possible by demonstrat-
ing the influence of theth 3D printing parameters on the micro-porosity (Chapter 6, paragraph 6.3.3). 
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Figure 7.2 Comparison of the state of the art manufacturing methods to produce cellular structures with the new 
methods described in this work, homothetic foaming and 3D foam printing. 

7.2 Perspectives  

7.2.1 Increase open porosity  

Homothetic foaming, the process born from the combination between the high precision and reproducible 
technique of Fused Deposition Modelling 3D Printing and the solvent free technology of Supercritical CO2 
foaming, has been proved to work for poly(lactide) based materials. 
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For certain materials and foaming conditions a principal limitation of the homothetic foaming is the for-
mation of a hard and impermeable skin of non-porous material at the surface of the structure. This phenom-
enon, well-known in batch foaming, could be a limitation to obtain an open porous structure and precludes 
the access to the micro-porosity. Given the physics of the phenomena, an approach to limit the skin for-
mation could be the co-foaming of the 3D printed structure in a soluble polymer with viscosity close to the 
PLLA at the processing temperature. PEG 8M could be a good candidate to this concept, given its high MW 
(8,000,000u) and solubility in water. The protocol would then include a step of dipping of the PLLA scaffold 
in PEG, creating a protecting coating to increase the resistance to CO2 escape from the surface of the scaffold 
and thus improving gas nucleation on the edges. 

7.2.2 Interface quality of a 3D Printed structure 

Regeneration of the osteochondral tissue suggests the application of a material able to replicate cartilage 
and bone mechanical properties. Co-foaming of different materials has been assessed to be limited 39, mainly 
due to the difficulty to properly control the interface between the foamed structures and thus define a tide-
mark between cartilage and bone scaffold. Additive Manufacturing represents a good alternative to produce 
a reliable multi material structure, but the fusion bonding at the interface between two different materials 
is still not fully understood for the considered processes. Results showed how Compact Tension Specimen 
(CT) represents an interesting way to access the fracture propagation toughness at the interfaces between 
3D printed layers. Another test applicable to confirm CT test results is the Double Cantilever Beam (DCB). CT 
and DCB tests on 3D printed multi-material structures could address the printing quality of such materials, 
investigating the best processing parameters to create a multi-material structures with cohesive failure. 

7.2.3 Optimization of 3D Foam Printing 

A new additive manufacturing method to layer porous micro cellular strands into a 3D hierarchical structure 
was presented in Chapter 7. The unmatched possibility to create custom-made 3D structure with designed 
macro and micro porosity opens interesting possibility in many different fields, in function of the applied 
material. In biomedical applications, a machine able to produce 3D cellular structure mimicking tissue local 
stiffness using biopolymers could be applied to produce patient specific scaffolds. Compared to standard 
machining, additive manufacturing allows saving up to 79 % of the materials. While presented here to process 
hierarchical structure for tissue engineering applications, this method could easily be adopted by other fields 
requiring complex porous 3D polymeric structures. As example, 3D foam printing of techno-polymers could 
be beneficial for applications in the automotive and aerospace industries, where lightweight foams with ex-
cellent mechanical properties are essential for planes and satellites. Also, complex microfluidics devices could 
be produced in a one-step process, playing with the variety of porous geometry that the process allows to 
layer down into a 3D structure.  

7.3 Towards applications 
This work introduces for the first time new manufacturing methods to produce 3D hierarchical structures, 
namely homothetic foaming and 3D Foam Printing. It was established how these methods could be applied 
to create a multi-material scaffold with average stiffness close to the one observed in the articular cartilage, 
which today represents one of the most challenging tissue to repair in the musculo-skeletal field. Poly(lactide-
co-caprolactone) and Poly(lactide / βTCP) were selected to reproduce respectively cartilage and bone in os-
teochondral applications. 
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A wider analysis on the biocompatibility of such structures should be proposed as a natural continuation of 
this work. While preliminary results showed a poor cell affinity for this scaffold, it is known in literature that 
surface modification could greatly improve this critical point. Moreover, sterilization of such a structure is a 
key point in term of go to market strategies for the potential commercialization of such an application. Ster-
ilization by mean of supercritical CO2 during the homothetic foaming should be further investigated, as if 
proven to work it would represent a great advantage for cost reduction and material preservation.  

Osteochondral grafts were proven to fail in the short-medium term, due to low mechanical stability, poor 
integration or cell re-differentiation into fibroblasts. A way to overcome such issues is to introduce a step 
priori implantation with a bioreactor with the induction of cyclic loading on the scaffold. Two different cham-
bers would be required to differently stimulate the bone and cartilage layers. Moreover, fatigue test would 
be required to determine the life cycle of the proposed scaffold. 

Homothetic foaming and 3D Foam Printing were here proposed to produce hierarchical structures of medical 
materials. In the future, these processes could be applied to different materials, opening new possibility in 
fields that require custom shape cellular materials with lightweight properties (e.g. Aerospace and Defence, 
Automotive, Packaging, etc.) (Figure 7.3). 

 

Figure 7.3 Ashby diagram showing the range of structures potentially achievable by homothetic foaming and 3D foam 
printing in comparison with target polymer applications, as Aerospace and Automotive198.  
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ANNEX I Cells Response to Biomaterial 
The aim of this chapter is to discuss the biocompatibility and cells response of the different scaffolds pro-
cessed in Chapter 5 and Chapter 6. Preliminary in-vitro tests were conducted at first on simple 3D printed 
medical materials and therefore applied to foamed multi material scaffolds of PLAPCL/PLLABTCP, as pure 
thermoplastic structure or impregnated with an Alginate hydrogel loaded with encapsulated cells. A compar-
ison among the different scaffold was drawn over after Presto Blue assay, comparing cells viability over a 
period of 3 weeks. Finally, conclusion and future perspectives on how to improve the material for the next 
round of in-vitro test are discussed. 

AI.1 Materials and methods 

AI.1.1 3D Printing 

All the scaffolds were printed with a Markerbot Replicator 2, equipped with a 0.3mm nozzle size. PLAm1 was 
printed at 210 °C, 50 mm/s and layer heights of 0.1 mm. PLAPCL was printed at 190 °C, 40 mm/s and layer 
heights of 0.1 mm. Multi material PLAPCL/PLLABTCP and PLAPCL/PLA were printed under the same condi-
tions as the mono-material structures, but stopping the printing at 50% to allow changing the input filament.  

AI.1.2 Homothetic foaming 

The PLAPCL/PLABTCP were foamed as explained in Chapter 5 using the best condition to maximize material 
density reduction (135 °C, 180 bar, 5 minutes, 60 bar/s). All the scaffolds, but the ones impregnated with 
Alginate were sterilized for 5 minutes at 120 °C by a steam autoclave.  

AI.2 Results 

AI.2.1 Cells viability on 3D printed scaffolds 

In this section the biocompatibility of different 3D printed scaffolds with bovine chondrocyte after 3 weeks 
is discussed. 

 

Figure AI.1 Biocompatibility test with bovine chondrocytes on a PLAm1 scaffold. 
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The model PLAm1 has been used to produce different 3D scaffold for the first tests. This Poly(lactide) grade 
is classified as a food grade (e.g. ideal for packaging application) and does not qualify as a medical material. 
Poly(lactide) and thermoplastics in general are well known to possess hydrophobic surfaces, e.g. reducing 
cells-surface interactions. In Figure AI.1 it is possible to observe how cells prefer to colonize the Petri dish 
around the material, creating an inhibition area surrounding the scaffold. 

 

Figure AI.2 Biocompatibility test with bovine chondrocytes on PLAPCL. 

The second material tested was a medical grade copolymer Poly(lactide-co-caprolactone), the PLAPCL. Med-
ical has been reported in literature to express a hydrophobic surface, requiring therefore surface modifica-
tions treatments, as by plasma grafting of RGD peptides or by sol-gel with titanium oxide199,200. Higher cells 
affinity was shown compared to PLAm1, as shown in Figure AI.3a. However, some regions showed a zone of 
inhibition as found for the food grade PLA, as observable in Figure AI.3b. This is probably due to particle 
release in the medium, inducing cells apoptosis, as observable in Figure AI.1b and Figure AI.3b, where the 
two materials were printed in a multi material structure.  

 

 

Figure AI.3 Biocompatibility test with bovine chondrocytes on a multi material scaffold PLAm1 – PLAPCL L703s. 
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Finally, a multi material scaffold of PLAPCL and PLABTCP was investigated by the same protocol, Figure AI.4. 
Two different behaviours were observed at the surface of the scaffold and in the inner porosity. While the 
surface of the scaffold showed a good cells attachment and viability, as could be seen in Figure AI.4a and 
AI.4b, within the inner porosity cells find difficult to differentiate and therefore they are incurring to apopto-
sis. Less particle release is observed after 3 weeks compared to PLAm1 and multi material PLAm1/PLAPCL, 
probably due to the longer degradation rate of PLABTCP compared to PLAm1.  

 

Figure AI.4 Biocompatibility test with bovine chondrocytes on multi material scaffolds of PLAPCL and PLABTCP. 

AI.2.2 Cells viability in 3D printed, foamed and impregnated scaffolds 

To confirm the goodness of a multi material PLAPCL/PLABTCP scaffold as osteochondral tissue replacements, 
further tests were conducted on week-by-week analysis of mesenchymal stem cells on such multi material 
scaffolds in three different conditions: before foaming (only 3D printed structure), after foaming and after 
foaming impregnated with an alginate hydrogel.  

A Presto Blue assay was applied to a set of different scaffolds and compared with a background fluorescence 
of an empty control (no scaffold, no cells).  Eight samples of 3D printed multi material scaffold were moni-
tored up to 6 weeks, after which all the scaffolds experienced a severe degree of degradation. It was observed 
a constant increase of cells viability from week 1 to week 4, kept as average at a steady state during week 5. 
After week 6, delamination of the scaffold beams and fragmentation at the interface between the two ma-
terials were observed, leading to a substantial drop of MSCs viability, as showed in Figure AI.5. As known 
from literature, 3D printed scaffolds of Poly(lactide) and poly-caprolactone based structures has a longer 
degradation time than the 5 weeks we observed during the experiment52,201. We postulate that for 3D printed 
structures, the sterilization method applied by high temperature autoclave is sufficient to trigger polymer 
degradation and weaken the fusion bonding at the interfaces between the deposited strands and the two 
materials.  
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Figure AI.5 Presto Blue assay of mesenchymal stem cells viability on 3D Printed PLAPCL/PLABTCP scaffolds after 6 weeks. 
Cells viability increases from week 1 to week 4 and keep a constant value until week 5. At week 6 the scaffold started 
degrading, inducing a drop of cells fluorescence. 

A second parallel test was conducted on PLAPCL/PLABTCP scaffolds after being foamed, as described in Chap-
ter 6, for a time scale of 4 weeks. Similarly to the 3DP structures, we observed an increase in cells viability 
from week 1 to week 3 for three over seven samples. The remaining four scaffolds showed an early delami-
nation after being sterilized by high temperature autoclave, which lead to scaffold fragmentation by week 4. 
Cells viability in these samples is steady or decreasing, showing the difficulty of MSCs to find a surface to 
proliferate, encountering therefore early apoptosis (Figure AI.6).  

 

Figure AI.6 Presto Blue assay of mesenchymal stem cells viability on 3D Printed and foamed PLAPCL/PLABTCP scaffolds 
after 3 weeks. Cells viability increases from week 1 to week 3 in samples 1 to 3, which did not express any degradation 
during the observations. Viability in sample 4 to 7 was constant during week 1 and 2, while start decreasing from week 
3, originated from a scaffold delamination at the interface between the two materials. This degradation was induced by 
the sterilization process, lead at 120 °C in autoclave, which deteriorated the scaffold mechanical properties. 
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In the last set of measurements, eleven PLAPCL-PLABTCP foamed scaffold were impregnated with Alginate 
and encapsulated MSCs for a total of 5 weeks (Figure AI.7). No pre-sterilization was necessary after the foam-
ing, as the samples were store into a sterile 48 well plate during the manipulation under hood. During all the 
observation time, a steady increase of cells viability was observed, sign of healthy proliferation of the cell 
population within the hydrogel. The observation of cells proliferation in specific areas, as the interfaced be-
tween the hydrogel and the thermoplastics or the interfaced between the two materials was impossible due 
to the important thickness of the sample (about 5mm) and the low transparency of the Alginate hydrogel.  
At week 5 a mismanipulation led to an aspiration of the cells content in the surnatant, preventing the exper-
iment to be continued. No evidence of degradation or delamination was observed during the process, sign 
that the pre-processing sterilization have as a matter of fact an influence on the thermoplastic structures. 

 

Figure AI.7 Presto Blue assay of mesenchymal stem cells viability on PLAPCL/PLABTCP foams impregnated with alginate 
after 4 weeks. Cells viability showed to increase from week 1 to week 4 in all samples. However, from week 5 all the 
structures started degrading, reducing significantly cells viability (data not shown for week 5). 

Finally, a statistical analysis was conducted on cells viability evolution in the three systems by Student’s test 
during the first three weeks of culture. As observable in Figure AI.8, all the structures, but the foamed scaf-
fold, expressed a progressive increase of cells viability from week 1 to week 3. For the 3D printed scaffolds, 
a statistical difference is evicted from week 1 to week 3 (p < 0.05) and from week 2 to week 3 (p < 0.01), 
while no difference is shown from week 1 to week 2 (p > 0.1). The foamed scaffold showed no significance 
difference in cells viability from week 1 to week 3 (p > 0.1). Finally, the hybrid scaffold Alginate/multi material 
thermoplastics showed a progressive increase in cells viability from week 1 to week 2 (p < 0.01) to week 3 (p 
< 0.01). A weaker increase is showed from week 2 to week 3 (p < 0.05). We conclude that cells seeding on a 
pure thermoplastic scaffold will not be proficient for the final application. A hydrogel as the Alginate is re-
quired to keep MSC cells in a friendly medium for the first phase of the implant. Moreover, we believe that 
even with hydrogel impregnation a functionalization of the multi material scaffold is required to facilitate 
cells attachment and tissue formation on the surface of the material, improving the interface between the 
thermoplastics and the hydrogel. 
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Figure AI.8 Comparison of Presto Blue assay of mesenchymal stem cells viability of PLAPCL/PLABTCP 3D printed scaffold, 
foam and impregnated foam with alginate. After week 1 the entire set of samples are statistically different (p < 0.05). 
At week 2, no statistical difference has been found between the 3D printed and impregnated scaffolds (p > 0.1), while 
the foamed structures showed a statistical difference with all the other conditions (p < 0.01). After week 3, the three 
scaffolds showed a statistical difference in cells viability (p < 0.05). The 3D Printed scaffolds expressed an increase in cell 
viability from week 2 to week 3 (p < 0.01), in accordance with what previously seen. From week 1 to week 2 there is not 
strong correlation in the data (p > 0.1). The foamed scaffolds did not show any change in average from week 1 to week 
3, as also expressed by statistical analysis (p > 0.1). The impregnated scaffold expressed a constant increase of cells 
viability from week 1 to week 3 with good statistical correlation (p < 0.01 and p < 0.05 between week 2 and week 3). 

AI.3 Conclusions 
This chapter discussed the biocompatibility of some selected scaffolds produced as described in previous 
chapters and cells viability. It was demonstrated that PLAPCL/PLABTCP would potentially be a good candidate 
for further in vivo tests, given the good surface cells affinity. However, cells within the scaffolds showed 
limited proliferation and signs of apoptosis. Dip coating of Collagen I has been proposed as a solution to 
improve the limited surface cells affinity expressed by thermoplastic scaffolds. The presence of an Alginate 
hydrogel impregnating the scaffold has shown to improve cells proliferation after 4 weeks of seeding, but 
cells behaviour at hydrogel-scaffold interface and PLAPCL- PLABTCP interface still need to be addressed with 
other methods.  

Scaffold sterilization has emerged to be a critical point. Autoclave vapour sterilization has shown to trigger 
scaffold degradation, inducing strand-to-strand delamination and material-material delamination at the in-
terface in multi material scaffolds. An inert method, as EtO treatments or irradiation techniques may be more 
suited for such low-density structures. A study on the effects of the sterilization process on interfacial 
strength in 3D printed scaffold would be required to better understand the influence of the process not only 
at the molecular and surface layer, but also on the mechanicals and fatigue resistance of such geometries. 

Finally, smaller and thinner samples would be more practical to be tested and avoid mismanipulation during 
cells culture management. Also, thinner multi material sample would help better investigate cells behaviour 
at the material-material interface. 
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ANNEX II Medical Filaments Extrusion 
AII.1 Introduction 
The aim of this annex is to describe the method used to produce biopolymer filaments for FDM/FFF. The 
processing windows to reproduce 1.75 mm filaments from biomaterials in form of granules or flasks are pre-
sented. The influence of the processing parameters (extrusion temperature and speed) on the biopolymer 
filaments crystallinity and degradation is then discussed, illustrating the optimal extrusion conditions.  

AII.2 Materials and methods 

AII.2.1 Materials 

The materials used for filament extrusion are described in Table 3, Chapter 3. PLAm1 was extruded from 
granules, while PLLA, PLAPCL, PLABTCP, PLAPEG, PLAPGA were extruded from flake from. Blend materials 
(e.g. PLABTCP and PLAPEG) were mixed for 5 minutes prior the extrusion for homogenization. All materials 
were dried and store as described in Chapter 3. 

AII.2.2 Characterization 

Filament extrusion processing windows were determined using a Noztek Touch extruder, selecting the tem-
perature and motor speed of the extruder to produce 1.75mm diameter filament avoiding to degrade the 
polymers and to overheat the extruder motor. Lowest achievable temperature (remaining above the melting 
temperature of the crystalline phase of the material) and motor speed were applied, progressively increasing 
until the produced filament met the target diameter value of 1.75 mm ± 0.05 mm. 

DSC and TGA analysis were performed following the protocols described in Chapter 3. 

AII.3 Processing windows 

AII.3.1 Food grade model material PLAm1 

The processing window obtained for PLAm1 is shown in Figure AII.1. Six ideal conditions were determined 
out of the applied parameters: 185 °C, 195 °C and 210 °C at 10 and 30 RPM respectively.  
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Figure AII.1 Processing window to extrude non-medical grade PLAm1 at 1.75 mm filaments for Fused Deposition Mod-
elling. 

Four main processing zones were defined: 

Low temperature, Low speed (LL) 

Positive results were obtained in this zone, providing that the temperature is high enough to ensure 
a full melting of the polymer. A low extrusion temperature permits to process the material at a higher 
viscosity and to reduce the time necessary for the filament to cool down and reach room tempera-
ture. As a result, a filament with a constant diameter in a range close to the defined set point was 
obtained. A low extruding speed permits to give enough time to the granules to melt and form a 
homogeneous mixture inside the extruder, ensuring to obtain a good filament quality. 

Low temperature, High speed (LH) 

In this zone, the temperature is not high enough to ensure a homogeneous filament in a short 
amount of time, i.e. at a high extrusion speed. As a result, unmelt granules parts are present in the 
final filament, resulting in a non-constant diameter and non-homogeneous filament. 

High temperature, Low speed (HL) 

This zone gave good results. A higher extrusion temperature means that the viscosity of the polymer 
is reduced. As a result, the extrusion speed must be high enough to ensure that the extrusion flow 
rate (i.e. the amount of material going through the nozzle per unit time) is high enough to ensure a 
diameter close to the set point value. 

High temperature, High speed (HH) 

Under these conditions a filament as good as at low speed was produced. However, extrusion at 
45rpm and above was difficult for PLAm1, due to the granules size (about 3mm in diameter), which 
stressed the motor, caused overheating and non-constant motor speed. As a result, the produced 
filament did not have a constant diameter.  



ANNEX II Medical Filaments Extrusion 

108 

Another important parameter controlling the obtained filament diameter is the distance between the ex-
truder and the winding system. Despite that a long distance between these two elements is recommended 
by the Noztek user guide, better results were obtained with a short distance. The influence of this parameter 
is more important for higher extrusion temperature and speed (HH zone), i.e. at higher extrusion flow rate. 
Consequently, if a long distance is used in the HH zone, the average filament weight will induce a pulling force 
at the exit of the extruder head that will diminish the filament diameter, Figure AII.2.  

 

Figure AII.2 Influence of the extruding parameters (temperature, speed and distance between the two elements) on the 
filament diameter: (A) Long distance, high temperature, high speed; (B) Long distance, lower temperature, high speed; 
(C) Long distance, high temperature, lower speed; (D) Lower distance, high temperature, high speed. Note: the colour 
code is only indicative and do not represent precise temperature values.  This scheme only permits to give a simple 
representation of a thermo/mechanical phenomenon. 

To reduce this effect, three main solutions are possible: 

 Figure AII.2B: A reduction of the extrusion temperature will increase the polymer viscosity at the exit 
of the extruder, decreasing the intensity of filament average weight on filament diameter.  

 Figure AII.2C: A reduction of the extrusion speed (keeping the initial high extrusion temperature) will 
give more time to the filament to cool down, decreasing the high temperature zone of the filament. 
The diameter reduction will be still important directly at the extruder exit but will be diminished on 
the overall filament as the length of the high temperature zone has been reduced. This explains why 
a combination of low extrusion temperature and speed permit is ideal to keep a diameter close to 
the set point value. 

 Figure AII.2D: The last solution consists in decreasing the distance between the two elements to 
reduce the amount of filament (and thus the average filament weight) waiting to be wound, reducing 
considerably the induced “pulling effect” at the exit of the extruder. However, as the distance is too 
small to ensure that the filament has reached room temperature before being wound, the speed of 
the winding system must be carefully controlled not to induce supplementary pulling on the filament. 
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AII.3.2 Medical materials 

The same processing windows were built for medical grade materials. The following results are not exhaus-
tive. Due to the high price of medical grade materials, only few combinations were tested to emphasize a 
general behaviour of the materials during extrusion. The processing windows can be refined by testing more 
extrusion conditions. Figure AII.3 below show the processing window for the different medical grade mate-
rial.  

 

Figure AII.3 Processing window to extrude medical grade filaments of (A) PLLA, (B) PLAPCL, (C) PLAPGA, (D) PLABTCP for 
Fused Deposition Modelling 3D Printer 
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PLLA 

Two tested conditions have showed to respect the acceptance criteria: 200 °C at 30rpm and 230 °C at 30 rpm, 
(Figure AII.3A). Differently from PLAm1, the use of PLLA has permitted to reach higher extrusion speed (up 
to 60 rpm, technical machine limit) and thus process the filament in the HH zone. This is due to the fact that 
PLLA were received as flacks that are smaller compared to PLAm1 granules, reducing the motor torque (a 
then overheating phenomenon) necessary to process the polymer. 

Compared to PLAm1, higher temperatures were necessary to process PLLA granules. A minimum processing 
temperature of 180 °C was found. This value corresponds to the melting temperature of the crystalline part 
of PLLA granules, as shown later during DSC measurements.   

The first extrusion test on this material showed that really high temperature were necessary (230 °C that is 
50°C above the  of the material whereas 25 °C above the  of PLAm1 as sufficient to obtain good extru-
sion conditions) to obtain homogeneous filaments from the medical PLLA flacks. In order to process the ma-
terial at a lower temperature, a pre-heater system was installed on the extruder, permitting to pre-melt the 
material around 180 °C and then extrude it at 200 °C.  

It was observed that PLLA is more delicate and sensitive to degradation during the processing compared to 
PLAm1. Indeed, a colour change was observed around 240 °C if the residence time of the polymer was too 
important, e.g. at low extrusion speed.  

PLAPCL  

Two low temperature conditions permitted to obtain good filaments: 170 °C at 30 rpm and 180 °C at 60 rpm, 
Figure AII.3B. Higher temperature conditions were not studied as good results were directly obtained with 
low temperature condition. The time necessary to cool down this material during extrusion was observed 
(experimentally) to be more important compared to the other tested materials. As a result, a too high tem-
perature or extrusion speed rendered the production and winding of a good quality filament more difficult. 
Below 160 °C, it was observed that the temperature was too low to produce a good filament. As shown later 
in the DSC measurements, the crystalline part of PLAPCL granules (representing around 14% of the material) 
was found to melt at a temperature close to 160 °C. Below this temperature, the crystalline part of the poly-
mer is not molten, resulting in difficulties to obtain a homogeneous and thus a good quality filament. 

Once cooled at room temperature, this material seemed to exhibit viscoelastic properties. When stretched, 
an elastic material quickly returns to its initial state once the stress is removed, whereas a viscous material 
deformed irreversibly under the action of external forces. PLAPCL filament showed an intermediate behav-
iour, i.e. the material could easily be deformed under stress, but needed a certain amount of time (few 
minutes) to recover its initial shape after stress removal. This behaviour is due to the presence of 30% (molar 
fraction) of ε-caprolactone that soften the filament. This could render the printing step more challenging and 
could significantly affect the mechanical properties of the obtained scaffold. 

PLAPGA 

Three ideal conditions were determined out of the applied parameters: 150 °C, 160 °C and 180 °C at 30 rpm, 
Figure AII.3C. Above 180 °C, it was observed that the viscosity of the polymer became too low to be extruded, 
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resulting in an amplified effect of the average filament weight, leading to a too small and non-constant fila-
ment diameter whatever the value of the extrusion speed. Below 150 °C, the viscosity was too high to pro-
duce homogeneous filaments without over-heating the motor. Because PLAPGA granules were found to be 
fully amorphous the factor limiting extrusion is not the melting temperature of the polymer (as it was the 
case before for partially crystalline polymers) but an overall too high viscosity of the amorphous polymer.   

Based on quick tests, lower and higher extrusion speeds seemed also to produce good filaments; the value 
of 30 rpm was selected for convenience (to avoid too long extrusion time at 10 rpm and more difficult control 
of filament winding at extrusion speed above 30 rpm). 

PLABTCP 

Two conditions were found to give good filament quality: 190 °C at 50 rpm and 200 °C at 30 rpm, Figure 
AII.3D.  

At 180 °C and below, the PLLA flakes seemed to be only partially melted and the viscosity was too high to 
produce homogeneous filaments without over-heating the motor.  Because of the incorporation of the -
TCP ceramic particles, the filament was not transparent anymore but completely opaque with a white colour. 
As a result, it was quite difficult to be sure that no unmelt PLLA was present within the filament. The only 
element that could be used as an indicator of the filament homogeneity was the presence/absence of surface 
roughness, resulting from the presence/absence respectively of unmelt PLLA at the surface of the filament. 

Between 200 °C and 210 °C, the filament was well homogenized but the filament diameter was already too 
far (around 1mm) from the set point value (1.75mm) to be accepted. For temperature higher than 210 °C, 
the viscosity was too low to control the extrusion process of the blend. Compared to the obtained processing 
window of pure PLLA where temperature until 230 °C have permitted to obtain good quality filament with a 
diameter close to 1.75mm, the blending of this same material with 10wt% of -TCP ceramic powder have 
strongly modified its processing window. As explained before, the lower temperature limit of 180°C in the 
processing window was due to the melting temperature of the PLLA, whereas the highest temperature reach-
able was observed to be affected by -TCP ceramic powder. Indeed, the incorporation of -TCP considerably 
lowered the filament diameter during the extrusion process at both low and high temperature (a maximum 
of 1.4mm was reached). This phenomenon was amplified at higher temperature and thus at lower viscosity 
of the polymer. 

PLAPEG 

For this blend, no processing window was established because of the difficulty encountered to extrude this 
copolymer. Only one couple extrusion temperature/motor speed has permitted to obtain a good quality fil-
ament: 170 °C at 60rpm.  

At = 180 °C, temperature corresponding to the melting temperature of pure PLLA and PLAPEG, the vis-
cosity of the blend seemed to be already too low to be extruded, prohibiting the material accumulation and 
thus the pressure increase before the extruder nozzle, necessary phenomenon for normal extrusion condi-
tion. To obtain a good quality filament, it was necessary to decrease the extruding temperature to 170 °C 
that is below the theoretical melting temperature of the crystalline part of PLLA and extrude the material at 
the maximum motor speed (60rpm) to ensure a high enough polymer flow during the process. This condition 
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below the melting temperature did not prevent to obtain homogeneous filament, a diameter close to 1.6mm 
was successfully obtained. 
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AII.4 Processing influence on filaments and 3D printed structure properties 
In this part, the influence of the extruding and 3D Printing process on material crystallinity was investigated. 
The impact of processing on material glass transition temperature ( ), cold crystallization temperature ( ), 
and melting temperature ( ) was also explored. Finally, the influence of blending elements on these pa-
rameters was highlighted. Table 10 summarize the influence of the extrusion process (i.e. from the granule 
to the filament), extrusion parameters (i.e. filament only) and 3D printing process (i.e. from the filament to 
the scaffold) on materials Tg, Tc, Tm and λc. Figure AII.6 shows the degree of crystallinity for the different 
systems at the state of raw granules, extruded filament and printed scaffold. 

Table 10 Influence of the filament extrusion process and 3D printing process on materials , ,   and . 
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Figure AII.4 Degree of crystallinity for the different systems at the state of raw granules extruded filament and printed 
scaffold. 

From Table AII.1 and Figure AII.4, few key points can be highlighted: 

 The extrusion and 3D printing process do not significantly influence the value of the degree of 
crystallinity . However, variation of , ,  in the DSC curves are observed mainly during 
extrusion (from the granule to the filament) that constitutes the first processing step. These in-
ternal changes in the material did not affect the values of the obtained crystallinity. 

 No influence of extrusion parameters (temperature and motor speed) on , ,   and  was 
observed. Even if the 3D Printing process seems not to have influence on these variables, the 
influence of 3D Printing parameters (temperature, printing speed, etc…) could be the next area 
to explore. 

 All the systems can be considered to be amorphous at the state of raw pellets, extruded filament 
and printed scaffold except PLA207s/PEG 35000 system that showed a degree of crystallinity 
close to 40 %.  

 The incorporation of blending elements influences material crystallinity by different physical 
phenomena (nucleating agent with TCP ceramics particles, enhanced mobility by plasticiza-
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tion). Controlling material crystallinity is crucial because it directly affect other material proper-
ties such as viscosity, transparency, permeability, and mechanical properties and to go further, 
in vivo behaviours.  
 

The influence of the extrusion parameters (temperature/motor speed) and the extrusion/3D Printing 
process on the thermal stability (degradation temperature and kinetic of degradation (degradation 
rate ) of the different systems are shown in Figure AII.5. 

 

Figure AII.5 Summary of the degradation temperature T_D and degradation rate r_D (absolute value of the slope) for 
the different systems. 

 

Figure All.6 Weight loss during TGA analysis for each of the produced material. 
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From Figure AII.6, it is observed that no significant thermal degradation is observed for all the systems, in-
cluding PLAPGA granules/scaffold and PLAPEG filaments/scaffold whereas a more important thermal degra-
dation is observed for PLALG855s filament and PLABTCP granules. 

However, the values of the weight losses remain relatively small considering the fact that an important resi-
dence time (10min) of the material inside the device was considered. In order to limit the effect of thermal 
degradation of the material during the different processing steps, lowest processing temperature as possible 
must be used.  

It might be observed that samples have a mass that is going above their initial value of 100 %. This was due 
to a simple artefact of the TGA device. The sample holder and the weighting system are separated into two 
distinct chambers (while being interconnected), respectively chamber 1 and chamber 2. When doing meas-
urements in air environment, these two chambers are filled with air. In the chamber 1 containing the sample 
holder, the air will undergo the temperature cycle defined for the measurement whereas the air inside the 
chamber 2 will stay at room temperature, protecting the weighting system. As the temperature increase, the 
air in the chamber 1 will expand, inducing an additional pressure on the weighting system, explaining the 
measured value of the weight above 100 %. This artefact is in the order of 1-2 % of the total sample mass. As 
a result, the weight losses in the Figure AII.6 were calculated subtracting the initial weight of the sample (i.e. 
100 %, removing the contribution of the artefact) by the minimum value of the weight percentage at the end 
of the test. 

Few key points can be highlighted: 

 The processing (extrusion and 3D Printing) and the extrusion parameters did not significantly affect 
the values of  and  for the different systems. Value of  close to 315 °C/300 °C respectively for 
PLAm1 and the medical grades materials were found. It is then assumed that, within the processing 
windows, material conditions are maintained. As the extrusion/3D printing temperature ranges are 
well below the degradation temperature, no degradation should happen to the granules/fila-
ments/scaffold respectively during processing. As two systems were shown to be more sensitive to 
thermal degradation (PLAPGA filament and PLABTCP granules), the lowest processing temperature 
possible must be used to limit preliminary thermal degradation of the material. More investigation 
must be carried out to better understand the phenomena controlling the degradation process in the 
more sensitive copolymers. 
 

 Blending did not affect the value of  but decreased the value of , especially for PLAPCL and 
PLAPEG. An interesting further step would be to analyse the effect of the concentration of the blend-
ing elements on both  and  parameters. 

 

AII.5 Conclusions 
Neat thermoplastic granules and powders were successfully processed into 1.75 mm filaments for FDM/FFF 
machines. Different protocols were drawn from different material systems, producing neat Poly(L-lactide) 
(PLLA), blend (PLAPEG), copolymer (PLAPCL, PLAPGA) and composite (PLABTCP) filaments. It was demon-
strated that different materials shall be processed under different extrusion conditions (e.g. temperature and 
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motor speed) to better control filaments diameter. This was essential to 3D print precise structures as shown 
in Chaper 4 and Chapter 5.  

The influence of all the processing conditions at the different processing stages (extrusion of granules/pow-
der into filaments and 3D printing of filaments into 3D structure in the was determined on two material 
properties: crystallinity and degradation. None of the processing phases introduced a significant modification 
of the materials properties. This is an index of good processing windows, which do not affect the material 
during the transformation. The original crystallinity is mainained, while no degradation has been observed in 
the samples, preserving the mechanical properties of the neat material. 
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