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Abstract 

There is a significant demand of de-novo engineered tissue grafts capable of replacing 

biological tissue and/or organ functions for clinical applications. The major obstacle to achieve 

this goal is the difficulty of recreating all of the complex biochemical and biomechanical functions 

of the tissue to regenerate, together with transport limitations into the bulk of these newly 

synthesized tissues. Oxygen and nutrients are supplied to cells and tissues naturally by the 

microvasculature, which is composed of branching, variable diameter blood vessels. Replicating 

the complex architecture and functionalities of native tissue vasculature is therefore one of the 

most important challenge in tissue engineering strategies. 

To date, bottom up techniques are strong powerful tools to build large viable tissue constructs 

by packing and sintering cell-laden scaffold-based micro-modules (µ-scaffolds) in a mould. In 

fact, after sintering and further µ-scaffolds degradation it is possible to achieve large viable tissues 

in vitro, replicating the composition and structure of native tissue and suitable for studying 

biological processes involved in new tissue genesis, maturation and remodelling. 

The aim of this work is to design and engineering novel µ-scaffolds and bottom up assembly 

techniques to fabricate vascularized layered tissues and to study the effect of µ-scaffolds spatial 

distribution and co-culture of human dermal fibroblasts (HDFs) together with human umbilical 

vein endothelial cells (HUVECs) on new tissue growth and vascularization in vitro. To achieve 

these aims, in first part of this study, we fabricated porous polycaprolactone (PCL) μ-scaffolds 

with bioinspired trabecular structure and we demonstrated that these newly developed μ-scaffolds 

supported the in vitro adhesion, growth, and biosynthesis of HDFs. The μ-scaffolds were fabricated 

by using a fluidic emulsion/porogen leaching/particle coagulation process and by using 

polyethylene oxide (PEO) as a biocompatible pore-generating agent. In particular, the effect of the 

composition of the polymeric solution and the flow rate of the continuous phase on μ-scaffolds 

size distribution, morphology and architectural properties were assessed with the aim to find the 

best preparation conditions for biological characterization. In vitro culture of HDFs showed that 

μ-scaffolds supported cells adhesion, colonization, proliferation and biosynthesis in the entire 

three-dimensional porosity up to 25 days. 

The second part of this study involved the development of a soft-lithography approach to control 

the spatial assembly of μ-scaffolds and to create two distinctive μ-scaffolds patterns, namely 

ordered and disordered. The as obtained patterns were used as substrate for culturing HDFs and 
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HUVECs aiming to develop viable monolayers and bilayers tissue constructs in vitro. The results 

of this study demonstrated that μ-scaffolds patterning directed cells colonization and biosynthesis 

and guided the morphology and distribution of newly formed vasculature. All of the findings 

reported in this work demonstrated the vital role of μ-scaffolds architectural features and assembly 

on in vitro tissue growth and, pay the way about the possibility to create in silico-designed 

vasculatures inside modularly engineered biohybrids tissues.   
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The following Chapter 1 includes data and information that have been published in the review 

article: 

Aurelio Salerno, Giuseppe Cesarelli, Parisa Pedram, Paolo Antonio Netti. Modular Strategies to 

Build Cell-Free and Cell-Laden Scaffolds towards Bioengineered Tissues and Organs. Journal of 

Clinical Medicine. 2019, 8, 1816; doi:10.3390/jcm8111816. 

  



14 
 

1.1. Introduction to tissue engineering, scaffolds, and bottom-up approaches 

Tissue engineering (TE) is an interdisciplinary research field aiming to restore, maintain, or 

enhance the functionalities of damaged tissues or organs [1]. Since its birth in the 1980s, the field 

of TE has applied the principles of biology, medicine, and engineering science to find clinical 

solutions for enhancing wound healing and stimulate the own body`s capability of repairing tissues 

like skin, nerve, cardiovascular tissue, bone and cartilage among others [1-5]. 

Cells, biodegradable scaffolds, and biochemical cues, like growth factors and stem cell 

differentiation molecules, are the three key components of engineered tissues in TE as they are 

usually combined to replicate natural processes of tissue regeneration and development. The 

interactions among these three main components are critical to obtaining de-novo regenerated 

tissues with proper biochemical and biomechanical functionalities [6]. 

Biological tissues are normally composed of cells residing in an extracellular matrix (ECM). 

This ECM provides adequate structural support for anchorage-dependent cells, organizes cells in 

a three-dimensional (3D) space, and acts as a reservoir of growth factors for cell growth and 

morphogenesis. Synthetic scaffolds must therefore mimic the features of the native ECM of the 

target tissue. However, ECM in native tissues possesses complex compositions and dynamic 

nature, which bring multiple biological functions such as cell adhesion, migration, proliferation, 

and differentiation. This is a critical aspect as ECM complexity is challenging to be enclosed in a 

single scaffolding device, finally limiting the actual implementation of scaffolds into the clinic [7]. 

Literature review regarding scaffolds for TE applications allow us to resume the main scaffolds 

functions, as follows: (1) serving as space holders to prevent undesired tissue invasion from the 

immediate vicinity into the affected site; (2) providing a temporary biomechanical support 

structure for the growing tissue; (3) creating a substrate for cells anchorage as well as cells grow, 

proliferation, migration, and differentiation; (4) serving as cell delivery platform to the defect site; 

(5) providing 3D space for blood vessel growth and infiltration, neotissue formation, and 

remodelling, (6) enabling the transport of nutrients and growth factors in the entire volume together 

with the removal of cellular metabolic wastes [8-10]. 

All of the previous basic functions require well definite scaffolds features such as [9-14]: (1) 

biocompatibility, intended as the capability of the scaffold to stimulate a positive interaction with 

cells and host tissues; (2) biodegradability, that is get broken down into small molecules to 

eliminate from the body via naturally occurring processes; (3) controlled degradation kinetic and 
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mechanical properties, matching the growth rate of the new tissue while ensuring biomechanical 

stability during naturally occurring in vivo stresses at the site of implantation; (4) surface 

bioactivity to enable cell attachment, growth, proliferation, and differentiation as well as ECM 

biosynthesis; (5) have a 3D porous architecture with optimal pore size, porosity, pore 

interconnectivity, and permeability to allow adequate diffusion of nutrients, growth factors, and 

wastes; (6) desired shape, size, and morphology. 

TE scaffold-based approaches can be conveniently classified into two big groups: top-down 

and bottom-up [15]. In top-down approaches, the scaffolds are fabricated into a pre-formed porous 

monolith with size and shape close to the tissue's size and shape to regenerate. The scaffold is 

composed of biocompatible and biodegradable materials, such as polymeric composites or 

ceramics, and encodes inside the porous architecture drug delivery carriers for proper 

bioactivation. Therefore, this even complex scaffold can be implanted directly into the defect site 

and guide tissue regeneration by cell homing and blood vessel migration from surrounding tissues 

(in vivo strategy). Alternatively, cells are seeded into the scaffold in vitro and allowed to create the 

appropriate ECM with bioreactors aid before in vivo implantation (ex vivo strategy) [7]. Both top-

down approaches using prefabricated scaffolds have several advantages. First, the scaffolds can 

be manufactured using materials of different origins, mainly synthetic and natural polymers and 

ceramics. This aspect ensures a large variety of compositions to match degradation and 

biomechanical requirements for each specific application. Furthermore, scaffolds can be produced 

by a wide range of processing techniques, such as gas foaming, phase separation, and porogen 

leaching, among others. Combining different materials and manufacturing processes may allow 

obtaining porous scaffolds with high mechanical properties by altering the porosity and pore 

architecture [7]. 

Nevertheless, top-down approaches still have important drawbacks. For example, cell 

proliferation and differentiation in the entire scaffold porosity is often hindered by inhomogeneous 

cell seeding and by nutrients diffusion into the scaffold core, finally leading to the formation of an 

immature and dysfunctional neotissue. Several efforts have been made in the past to overcome 

previously highlighted drawbacks of top-down scaffold-based approaches. For instance, Zhang 

and co-workers investigated the bone morphogenetic protein-2 (BMP-2) binding to 3D 

polycaprolactone (PCL) scaffolds by a crosslinking conjugation to enhance scaffold 

osteoconductivity [16]. Other efforts to improve cell seeding include flow perfusion of the cell 
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suspension inside the scaffold or designing scaffolds with architectural features, namely pore size, 

shape, and interconnection, suitable for improving cell migration and fluid transport in 3D [17-

19]. Most importantly, by top-down approaches, it is difficult to reproduce all the complex 

functions of ECM of native tissues inside the scaffold to ensure a biomimetic dynamic 

microenvironment for cells and tissue guidance towards the regeneration of functional biological 

tissues in 3D [7, 15]. 

Bottom-up TE strategies aim to address the challenge of recreating biomimetic 3D structures 

by designing scaffold features at the nano and microscale. In particular, by using modular 

approaches, it is possible to build even complex scaffolds and large biological constructs by the 

controlled assembly of building blocks [15, 20]. These modules can be manufactured in many 

ways, such as through self-assembled aggregation [21], microfabrication of cell-laden hydrogels 

[22], creation of cell sheets, or direct printing of tissues [23-24]. Once created, these modules can 

be assembled into larger tissues through several methods such as random packing, stacking of 

layers, or directed assembly [15]. The bottom-up TE approaches hold great promise for creating 

functional tissues starting from every kind of material and cells by directing their assembly to 

mimic the complexity of living tissues. However, random or uncontrolled assembling of this 

structures can not allow to reproduce native hierarchical tissue organization from cellular to tissue 

level, so the control of the assembly process to fabricate 3D constructs is still a challenging goal.  

This thesis focuses on the development of novel building blocks and bottom-up strategies to 

obtain tissue with control of cells distribution, ECM biosynthesis, and vasculature development at 

the micrometric size scale [7]. In the next paragraphs of this chapter, we will focus our attention 

on state of the art of building blocks for in vitro and in vivo modular scaffolds and their use in TE 

for the regeneration of biological tissues. 
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1.2. Micro-particles and their use as scaffolding modules for in vitro and in vivo tissue 

engineering 

This part of the Introduction focuses on microparticles (µPs) design and fabrication 

technologies. In particular, it will be described the most interesting and advanced methods enabling 

the control of µPs features, namely morphology, size, shape and composition. Furthermore, we 

will provide a comprehensive and exhaustive description and discussion of literature data about 

porous µPs and their use as building blocks for bottom-up TE approaches, as these topics represent 

the basis for the research work herein described. 

1.2.1 Micro-particles fabrication by advanced processes 

µPs play a crucial role in tissue engineering and have recently received extensive interest in 

their clinical and medicine application, such as drug delivery systems, diagnostic purposes, and 

micro-scaffolds (µ-scaffolds) [25]. 

Polymeric biomaterials, that can be classified into natural and synthetic polymers, have been 

extensively used for µPs fabrication. Indeed, polymeric µPs can be designed and fabricated with 

appropriate morphology, size, and shape distribution, as well as degradation rate and surface 

properties depending on the specific application field [26]. PCL, poly-lactic acid (PLA), 

polylactic-co-glycolic acid (PLGA), polyethylene glycol (PEG) as well as their composites 

containing calcium phosphates, alumina and hydroxyapatite, are among the most used materials 

for µPs fabrication [27-32]. Natural polymers are also used for µPs fabrication as they have a 

chemical composition and structure resembling that of native biological tissues. This aspect is 

extremely important as it enables to replicate the composition and structure of native ECM. Natural 

polymeric µPs can be classified into two main groups: protein-based, such as silk, collagen, and 

fibrin, and polysaccharide-based, like agarose, chitosan, and hyaluronic acid. These kinds of µPs 

have advantages like good cellular interaction, low immunogenic response, and resorption kinetic 

that can be adjusted by varying µPs’ formulation, molecular weight, and crosslinking degree [26]. 

µPs have been fabricated by conventional methods like phase separation, spray drying, and batch 

emulsion. However, these methods often produced materials with heterogeneous size distribution 

and limited control over their shape [33-34]. During last decades, advanced techniques have been 

developed to overcome these drawbacks. Figure 1.1 highlights three of the most interesting way 

to obtain µPs with finely tuned composition and architecture. Microfluidics is an advanced 
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technique that process fluids into microscale channels for fluid mixing, splitting, and chemical 

reaction. Microfluidic emulsion may enable the high-throughput production of monodisperse 

microparticles of controllable size, shape, and composition [35]. 

 

Figure1.1: Advanced techniques for μPs fabrication. Fluidic emulsion: (a) co-flow and (b) flow-focusing. 

(c) Spherical monodisperse μPs, (d) Janus μPs, (e) core-shell μPs with dual and triple cores, (f) disks and 

(g) rods μPs, (h) Porous PLGA μPs prepared by double emulsion. (i) Flow-lithography process: (j) triangles, 

(k) squares and (l) hexagons μPs. Single-cell encapsulated within (m) square and (n) triangular μPs, (o) 

Soft-lithography: (p, q and r) effect of mold type on µPs shape; morphology of µPs obtained by SEAL 

process before (s) and (t) after sealing; (u) morphology of vascular endothelial growth factor (VEGF)-

loaded PLGA microsphere after solvent vapor shaping process. (J. Clin. Med. 2019, 8, 1816; 

doi:10.3390/jcm8111816 [26]). 

Microfluidic devices are usually fabricated of transparent materials that doesn’t dissolve and/or 

deform when in contact with used chemicals, such as glass capillaries or creating channels in a 

silicone elastomer, e.g., polydimethylsiloxane (PDMS), through soft-lithography methods 

(Figures 1.1 (a) and (b)) [36]. Figures 1.1 (a) and (b) shows the single emulsion for the fabrication 

of µPs with uniform shape and size distribution. Uniform beads are formed conveniently from 

droplets controlling the flow rate of continuous and dispersed phases (Figure 1.1c). More 

importantly, beads can be formed with a variety of architectures like core-shell, patchy, and Janus 
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with controlling other parameters in this technique such as solvent evaporation, phase separation, 

and solutions’ composition (Figure 1.1d) [29, 37]. For example, Cao and co-workers reported that 

the patchy and Janus shape of µPs can be formed with high-throughput and narrow size distribution 

by using PLGA/PCL blends. In that study, droplets formed and easily converted into beads by 

controlling interfacial tensions and spreading coefficients between immiscible phases of the 

generated droplets. Therefore, µPs’ properties, such as hydrophilicity, degradation rate, and drug 

delivery, can be adjusted depending on the application [29]. Fabrication of multiple cores and 

impart drug delivery capabilities can be also possible in microfluidic devices by combining 

multiple emulsions (Figure 1.1e). Besides, the loading efficiency of hydrophobic polymeric µPs is 

improved by changing their polarity in these techniques [38]. In the microfluidic flow-focusing, 

droplets were formed in the PDMS and glass capillary devices with different sizes and shapes and 

monodispersed size distribution [39]. Defining the size of an undeformed (regular) spherical 

droplet as dS = (6V/π)1/3, non-spherical droplets can be formed when dS is larger than one of the 

outlet channel's dimensions. Figure 1.1f shows a discoid shape with rounded borders formed when 

w > dS (w = width) while the height h < dS. On the other hand, if h and w are smaller than dS, 

droplets can be formed with a rod-like morphology as shown in (Figure 1.1g) because, in this case, 

droplets are contacted with all channel walls. 

Microfluidic techniques have been utilized for the fabrication of porous µPs (Figure 1.1h), with 

suitable features such as large surface area, good mechanical strength, and high interconnectivity. 

These samples were then used as µ-scaffolds for cell adhesion and proliferation [37]. In this case, 

porous µPs were produced by a water-in-oil emulsion that gelatin and poly (vinyl alcohol) (PVA) 

is served as a discontinuous phase and PLGA solution in dichloromethane as the continuous phase. 

Therefore, porous µPs are generated by solvent extraction and evaporation in the water phase. 

Other advanced techniques are the flow-lithography process for the fabrication of multifunctional 

Janus µPs as well as synthesizing different kinds of shapes and sizes of oligomers. In this process, 

ultraviolet (UV) photopolymerization of a fluidic bead within light transparent PDMS channel is 

induce by using proper UV masks to control particle size and shape [31]. However, several 

parameters should be optimized, such as optical resolution, microscope objective, polymerization 

time, and flow rate, to keep the patterned feature in the hydrogels. More importantly, these 

advanced techniques are not suitable for synthetic thermoplastic polymer, such as PCL and PLGA 

that cannot be photopolymerized by UV [26]. Recent advances in micro/nanotechnology have 
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allowed fabrication of µPs made of thermoplastic polymers with uniform sizes and well-defined 

shapes and composition which are otherwise impossible to fabricate using conventional µPs 

manufacturing methods, providing new building blocks libraries for modular TE. In particular, 

soft-lithography techniques involve the use of elastomeric PDMS stamps with topological 

microfeatures to fabricate µPs with precise control over size and geometry in a simple, versatile, 

and cost-effective modality (Figure 1.1o) [30, 40-42]. The cavities of the stamp were filled by 

polymeric solution and after solvent evaporation, the dried polymer is deposited on selective 

portions of the mold in form of particles and it is removed from the PDMS mold by stamping it 

onto a PVA sacrificial layer at temperatures and pressures in the range of 80–120 °C and 30–90 

KPa, respectively [41]. The µPs are released from the mold by dissolving the PVA layer in water. 

The versatility of these fabrication methods has been demonstrated using materials of biomedical 

interest including thermoplastic polymers such as PCL and PLGA (Figures 1.1p-r) [42], 

polyethylene glycol dimethacrylate (PEGDMA) hydrogels and chitosan. An advancement in this 

fabrication technique was reported recently by McHugh and co-workers that developed a 

microfabrication method, termed StampEd Assembly of polymer Layers (SEAL), for fabricating 

modular micrometric structures, such as injectable pulsatile drug-delivery PLGA µPs with 

complex geometry at high resolution (Figures 1.1s,t) [43]. In another study, de Alteriis and co-

workers used microspheres to obtain shaped µPs by a soft-lithography approach [30]. This was 

achieved by positioning PLGA microspheres into PDMS mold cavities with different shapes and 

deforming them under gentle process conditions, i.e. at room temperature using a solvent/non-

solvent vapor mixture. By this approach, it was also possible to preserve the microstructure and 

bioactivity of molecules loaded inside the µPs (Figure 1.1u). In conclusion, all of the discussed 

advanced µPs fabrication methods may open new avenues for the fabrication of multifunctional 

building blocks for modular TE applications. 

1.2.2 Porous scaffolds prepared by micro-particles sintering (cell-free strategies) 

µPs are used as building blocks for engineering biological tissues with two different 

approaches: cell-free and cell-laden. In the first one, µPs are assembled to form a sintered porous 

scaffold. The scaffold can be subsequently implanted in vivo into the defect site and stimulate the 

intrinsic body`s regeneration capability by delivering bioactive molecules (in vivo strategy). 

Alternatively, the sintered scaffold is seeded in vitro with specific cells and, the as obtained hybrid 

construct is maintained in vitro under biochemical and biomechanical stimulation to promote new 



21 
 

tissue development before in vivo implantation (ex vivo strategy). Conversely, the cell-laden 

approach involves the use of µPs as µ-scaffolds for in vitro cell culture and new tissue fabrication. 

In particular, cells are seeded onto the µPs that, in this case are use as µ-scaffolds, and the cell-

laden µ-scaffolds are assembled in vitro by promoting cell-to-cell and cell-to-ECM interlocking. 

The final µ-scaffolds degradation and new tissue remodeling allow to obtain fully biological 

tissues trying to reproduce native tissues’ composition and structure [26]. Both approaches require 

µ-scaffolds assembly into the 3D structure (centimeter scale) by two main ways, random and 

ordered. This part of the dissertation will describe cell-free TE strategies and highlighted some of 

the most investigated studies up to date while paragraph 1.2.3 will focus on cell-laden approaches 

that are the main objective of the work. 

There are several literature works reporting the design and fabrication of scaffolds by 

assembling biodegradable and biocompatible µPs to achieve tailored porous structure, full 

interconnected porosity, high mechanical stiffness and, ultimately, drug loading and controlled 

release features. In a typical process, researchers prepared bioactive and biodegradable µPs using 

traditional or advanced methods, such as those described in the previous section. The µPs were 

then poured into appropriate molds and sintered together to form a continuous matrix [26, 27]. 

Sintering depended on the motion of polymeric chains from µPs surface to contact points that leads 

to chain inter-diffusion and subsequent formation of connecting necks between µPs. This 

mechanism depends on polymer plasticization and can be promoted by heat, organic solvents or 

high pressure fluids [44-49]. As shown in (Figure 1.2a), PCL scaffolds were fabricated using 

thermal sintering of spherical µPs with two different size ranges, smaller (300-500 µm) and larger 

(500-630 µm) at 60°C for 1h. A double emulsion process was also implemented for bovine serum 

albumin (BSA) encapsulation inside the depots of smaller (50-180 µm) PCL particles for drug 

delivery purposes. The authors reported the decrease of scaffolds porosity and pores size as well 

as the increase of compression moduli with the decrease of µPs size. This effect is ascribable to an 

enhanced µPs compaction and a concomitant higher number of fusion points between smaller µPs 

[27]. However, low porosity and pore size may result in decreased cell adhesion and colonization. 

The use of porous µPs enable to overcome this limitation and achieve higher scaffolds’ porosity. 

For instance, Qutachi and co-workers, fabricated porous PLGA µPs by the double emulsion 

process using phosphate-buffered saline (PBS) as the internal aqueous phase and treating the µPs 

by utilizing 30% 0.25 M NaOH:70% absolute ethanol to enhance surface pores opening. 
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Figure1.2: μPs applications in tissue engineering (TE) of cell-free scaffold-based approach by the random 

assembly (a) PCL scaffold obtained by thermal sintering and the morphology of sintered PCL μPs (b) 

Morphology of porous PLGA μPs’ in sintered PLGA scaffold (c) the influence of diameter and thermal 

sintering time of PLGA  μPs on average pore size and compressive modulus of PLGA scaffolds. (d) Optical 

images of sintered scaffolds with the homogeneous and heterogeneous spatial distribution of loaded μPs. 

(e) Release profiles of (BMP)-2 and transforming growth factor (TGF) beta1 from μPs’-sintered scaffolds 

for osteochondral interface TE. (Adapted from: J. Clin. Med. 2019, 8, 1816; doi:10.3390/jcm8111816 [26]). 
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As shown in Figure 1.2b, PLGA µPs were also able to form a sintered matrix at body 

temperature, therefore opening the use of these materials as injectable fillers [44]. The sintering 

process is an important issue to fabricate the scaffolds by using µPs as it affects the scaffolds' 

structure as well as porosity and mechanical properties. Therefore, controlling the sintering process 

is the most crucial step to fabricate scaffolds by µPs. Many studies tried to develop and optimize 

the sintering step for melt-sintered, solvent-sintered, and high-pressure CO2 sintering [45, 50-51]. 

Figure 1.2c shows that the mechanical properties of PLGA scaffolds are directly related to fusion 

time as, increasing fusion from 2 to 4 h, lead to an increase in the mechanical properties. However, 

the pore structure completely collapsed with increasing treatment time resulting from the extensive 

polymer melting [50]. These scaffolds, having elastic compression moduli in the range of 137.44 

to 296.87 MPa, appeared to be capable of sustaining loads in the mid-range of cancellous bone 

[50]. Another method of scaffold setting is solvent/non-solvent chemical sintering and can be used 

to obtain TE scaffolds from a wide variety of the polymeric µPs at low temperatures for drug 

delivery applications [51]. Brown et al. have investigated the assembly of polyphosphazene 

exhibiting glass transition temperatures from -8 to 41 oC and PLGA by solvent/non-solvent 

sintering process. They optimized the parameter of solvent/non-solvent mixing and treatment time 

based on the affinity between polymer and solvent mixtures and observed that scaffolds' pore size 

and porosity were close to the scaffolds prepared by thermal sintering [51]. However, the toxic 

organic solvent is the main problem in this process and, in such cases, low-temperature solvent-

free sintering is the preferred method [44-45]. High-pressurized CO2 is applied for the sintering of 

µPs such as PCL, PLGA, and PLA [45]. For example, PLGA scaffolds have been sintered at room 

temperature by using CO2 pressure in the 15–25 MPa range, and sintering increase with the 

increase of the pressure, finally resulting in scaffolds with higher mechanical properties [45]. As 

described in the paragraph 1.1, the design of bioactive molecules releasing scaffolds has to 

consider that spatial patterning of bioactive signals is vital to some of the most fundamental aspects 

of life, from embryogenesis to wound healing, all involving concentration gradients of signaling 

molecules that have to be replicated by scaffolds. µPs have been long studied as drug delivery 

systems for a variety of molecules as they enable an easy control of the release kinetics of loaded 

therapeutics. For instance, Shi and co-workers reported the use of Alendronate (AL)- and 

dexamethasone (Dex)-loaded PLGA µPs for bone regeneration [52]. These molecules were 

selected as AL is a bisphosphonate that improves the activity and maturation of osteoblasts and 
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mesenchymal stem cells (MSCs) differentiation, while Dex is a glucocorticoid with osteogenic 

features. Scaffolds can release AL and Dex for two months in a sustained fashion. Therefore, these 

scaffolds have advantages such as a higher expression of bone-related proteins and genes, such as 

alkaline phosphatase activity (ALP), type-I collagen, osteocalcin, and (BMP)-2, by transplanted 

cells, if compare to unloaded scaffolds. Besides, drug-loaded scaffolds evidenced significantly 

higher new bone creation at 8 weeks of implantation into rabbit femurs bone defects [52]. Figure 

1.2d shows another advantage of µPs sintered scaffolds for the spatially controlled distribution of 

bioactive molecules in the porous structure [53]. These results were obtained by Singh and co-

workers that developed a fluidic device for the controlled deposition of functional microspheres to 

create gradients of releasing molecules for interfacial tissues’ regeneration [54]. By controlling 

suspensions composition and flow rates during pumping, it was possible to engineer multiple 

gradient configurations of BMP-2 and (TGF) beta1, to match the requirements of anisotropic 

tissues like osteochondral tissue (Figure 1.2e) [55]. MSCs-seeded scaffolds revealed regionalized 

gene expression of major osteogenic and chondrogenic markers after 6 weeks of in vitro culture. 

Overall, scaffolds based on the assembly of µPs are versatile for wide range of TE applications, 

from soft to hard tissues. For instance, the use of synthetic polymers resulted in high mechanical 

stiffness and a slow degradation rate for in vivo load bearing implantation, such as bone and 

osteochondral tissue [56-57]. Conversely, soft biopolymeric chitosan µPs scaffolds were proposed 

as 3D functional neuronal networks regeneration platform [58]. Even if all these studies clearly 

evidenced the potential of µPs-based scaffolds in TE applications, some key issues have to be still 

addressed for their successful clinical translation. As previously discussed, biological tissues are 

characterized by hierarchical ordered architectures at both nano- and micro-metric size scales, that 

can be replicated only in part by µPs random assembly. Furthermore, µPs-based scaffolds require 

multiple steps of fabrication, from µPs fabrication up to assembly and sintering. Therefore, the 

possibility to reduce scaffolds fabrication time by automated processes will be a great step towards 

clinical implementation. 
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Figure 1.3: μPs applications in tissue engineering (TE) of cell-laden scaffold-based approach by ordered 

assembly (a) Optical image ordered scaffold made of PCL μPs, performed by SLS. (b) morphology of SLS 

ordered scaffold structure (c) morphology of SLS random scaffold structure (d) the degree of 

vascularization of random and ordered PCL scaffolds in vivo, The results evidenced that better 

vascularization in the inner core of the ordered scaffold in comparison with the random scaffolds. (Adapted 

from: J. Clin. Med. 2019, 8, 1816; doi:10.3390/jcm8111816 [26]). 

As previously discussed, biological tissues are characterized by hierarchical-ordered 

architectures at both nano and micrometric size scales, that can be replicated in a limited way by 

random µPs’ assembly. Furthermore, µPs-based scaffolds require multiple steps of fabrication, 

from µPs’ fabrication up to assembly and sintering. Therefore, the possibility to reduce scaffolds’ 



26 
 

fabrication time by automated processes represent a great step towards the clinical implementation 

of these materials. One of the most investigated methods to obtain ordered scaffolds from sintered 

µPs is selective laser sintering (SLS) [59]. SLS uses a CO2 laser beam to selectively sinter a powder 

bead, following a computer-aided design (CAD) scaffold model. Du and co-workers fabricated 

PCL and PCL-hydroxyapatite scaffolds for bone TE [60]. However, the SLS method provides an 

ordered structure (Figure 1.3b) within a random assembly of µPs (Figure 1.3c) as µPs cannot be 

precisely positioned in the inner part of the scaffold structure. To address this issue, not so far 

Rossi and co-workers reported a new way to manipulate polymeric microspheres and achieve 

highly ordered scaffolds for in vivo vascularization [61]. They used PCL µPs with size in the 425–

500 µm range to fabricate ordered and randomly assembled structures. After implantation in a rat 

subcutaneous pocket model, the ordered PCL scaffolds provided better vascularization and blood 

vessels infiltration than the random one [61]. This approach was tested with large µPs (500 µm), 

as smaller µPs require the implementation of new advanced automated manufacturing. These 

recent results pave the way on the importance on µPs’ scaffold design features and provide the 

basis for the future development in this extremely promising scaffold design research field. 

1.2.3 Porous micro-particles as micro-scaffolds for in vitro tissue building (cell-laden 

strategies) 

Modular TE uses porous µ-scaffolds as cell-laden building blocks to recreate large tissues in 

vitro. In fact, µ-scaffolds size, shape and porosity guide cells distribution and ECM biosynthesis 

in 3D. Moreover, complex manipulation and assembly of these cell-laden µ-scaffolds inside 

appropriate bioreactors enabled to generate tissues with desired composition and morphology in 

vitro. Therefore, this approach may allow overcoming cell seeding and culturing limitation in 3D 

scaffolds porosity for a wide range of applications, such as dermis, bone tissue and vascular tissue 

[26].  

As shown in Figure 1.4, the use of cell-laden µ-scaffolds for in vitro tissue building involves 

two mains steps. In the first step (Step1), cells are seeded and cultured onto the µ-scaffolds under 

dynamic conditions to stimulate cell adhesion, proliferation and ECM production and to allow the 

formation of small aggregates named micro tissue precursors (µTPs) [62]. In the second step 

(Step2), 3D tissues are obtained by bio-fusion and assembly of μTP in suitable molds as 

consequence of cell-cell and cell-ECM linking (Figure 1.4). 
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Figure1.4: schematic of 3D tissues fabrication in vitro by using two steps processes. 

In this paragraph the description of the literature work about random assembly of cell-seeded 

µPs is structured depending on the specific application, starting from dermal tissues and then 

discussing musculoskeletal tissues and possible strategies for enhancing tissue vascularization. 

Urciuolo et al. manufactured a dermis-equivalent tissue by culturing human dermal fibroblast 

(HDFs) onto gelatin µ-scaffolds [62]. More importantly, a 3D tissue construct with a well-defined 

shape could fabricate after few days of μTPs assembly in a spinner culture [62]. Dynamic cell 

seeding was performed in a spinner flask bioreactor by loading cells and porous gelatin µ-scaffolds 

in the ratio of 50 cells per µ-scaffolds and operated at 30 rpm. The result showed that the fibroblasts 

cell density in the spinner flask decreased 60% after the first 6 hours because of cell attachment to 

the µ-scaffolds wall and cell death. Furthermore, the µ-scaffolds promoted cell proliferation over 

culture time and biosynthesis of new ECM components leaving to the formation of μTP [62]. 

Kim and co-workers used PLGA µ-scaffolds as transplantation vehicle of human keratinocytes, 

and HDFs for the regeneration of full-thickness skin wounds [63]. PLGA µ-scaffolds were 

fabricated by using oil/water emulsion and solvent evaporation/extraction achieving average size 

of 11.96-24.2 µm. Cells were seeded onto PLGA µ-scaffolds in a spinner flask and cultured at 50 

rpm for 2 weeks. Cell-seeded µ-scaffolds were used to treat full thickness skin wounds created on 

the back of athymic mice. Dermal regeneration with positive staining for vimentin, a marker of 

dermal fibroblast, was observed in the cell-transplanted group [63].  

In another study, Tang et al. constructed microfabricated tissue by seeding the HDFs onto the 

microporous cellulose µ-scaffolds able to degrade slowly in vivo [64]. In that study, µ-scaffolds 

were fabricated and sterilized according to the manufacturer instruction and subsequently, 

microtissue was created by inoculating HDFs in a spinner flask. In this culturing system, cell 

density onto µ-scaffolds increased even after 8 h of culture time and reached maximum after 20 
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days of culture time. Moreover, cells colonized the inner porosity of the samples while, large-scale 

tissue was created by reassembly of the engineering microtissue in the perfusion system. By this 

approach the authors obtained cylindrical shaped macrotissue with more than 5 mm thickness and 

characterized by a homogenous distribution of cells and ECM in the entire construct [64]. 

Using a similar approach Matsunaga and co-workers reported that tissue shape can be precisely 

manipulated by using shaped molds as reported in (Figure 1.5) [65].  

 

Figure1.5: Fabrication of millimeter-scale 3D tissue in well-defined shape, (a) schematic of producing the 

3D tissue architecture utilizing of monodispersed µ-scaffolds, (b) microscopy image of PDMS doll-shaped 

mold, (c, d) microscopy images of cell/µ-scaffolds after stacking. Yellow arrows show cavities among 

cell/µ-scaffolds, (e, f) microscopy images of cell/µ-scaffolds, 17 h after stacking. (g) live/dead assay of 3D 

tissue after 30 h of culture time, (h, i) microscope images of tissue section after reconstruction, j) cell density 

of 3D tissue architecture at different regions of tissue. (Reproduced with permission from: Adv. Mater. 

2011, 23, 90–94; doi:10.1002/adma.201004375 [65]). 

In the first step of that study, monodispersed collagen gel µ-scaffolds were fabricated by 

microfluidic technology (section 1.2.1). Cell-laden µ-scaffolds were prepared by seeding the NIH 

3T3 cells on the collagen gel µ-scaffolds with the size of 100 µm. Then these formed cell-laden µ-

scaffolds were randomly assembled into the PDMS chamber within a specific shape of a doll by 

micropipette (Figures 1.5 (a) and (b)). Cell-laden µ-scaffolds immediately fused to each other and 

enabled rapid formation of macroscopic cell-dense tissues, without necrosis during tissue 

formation (Figures 1.5 (c-f)) [65]. Figures 1.5 (h) and (i) and graph of (Figure 1.5j) shows cell 

viability within the 3D construct after removal PDMS mold (Figure 1.5g). Most importantly, the 

proposed method is highly compatible with the formation of vascularized complex tissues, since 

the samples can be easily molded with different types of microtissue units.  
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Bone TE cell-laden µ-scaffolds were also reported in the recent literatures. For instance, Porous 

PCL µ-scaffolds functionalized with hydroxyapatite (HA) were obtained by means of a bio-safe 

versatile thermally-induced phase separation process [66]. In the first step of this study, PCL-HA 

nanocomposite µ-scaffolds with different HA concentrations were prepared and characterized to 

assess the morphological and microstructural properties. PCL-HA nanocomposite µ-scaffolds with 

the 30% HA concentration were subsequently chosen to stimulate bone regeneration by human 

mesenchymal stem cells (hMSCs). The nano composite µ-scaffolds promoted hMSCs 

differentiation in vitro even without the addition of osteogenic growth factor. More importantly, 

the formation of bone µTP after 28 days in dynamic spinner culture demonstrated that PCL-HA 

nanocomposite µ-scaffolds can represent an excellent physical platform for cell adhesion and a 3D 

microenvironment to arrange the cells and make signals for cellular differentiation and ECM 

mineralization. These results demonstrated that µ-scaffolds provided a suitable supporting 

structure for cell attachment while, the presents of an inorganic cue (HA) on the µ-scaffolds surface 

stimulated cell differentiation towards an osteogenic lineage [66]. 

Chen et al. created a large bone tissue (centimeter-sized) by culturing human amniotic 

(hAMSCs) onto gelatin µ-scaffolds in a dynamic culture system [67]. Within a total culture period 

of 28 days, using a two-stage culture strategy, hAMSCs-laden μ-scaffolds with a high cell density 

were prepared at the first stage and the cells were then directly induced to undergo osteogenic 

differentiation in the same culture flask. The results demonstrated that after 8 h of cell seeding, 

cells can tightly adhere on the surface of µ-scaffolds (Figures 1.7a (8h)) and with culture time at 

day 8, cells can proliferate and coated the microcarriers (Figures 1.7a (8d)). More importantly, 

histology analysis of the ECM osteogenic differentiation of hAMSCs on µ-scaffolds proved that 

ECM occupied around the µ-scaffolds and interior part of them after 8 days of culturing time 

(Figure 1.7b). During in vitro dynamic culture cell-laden μ-scaffolds undergo aggregation, forming 

μTPs of 700-800 μm in size suitable to maintain high cell viability. These μTPs were characterized 

by high mineral deposition with cells expressing osteogenic markers. As shown in (Figure 1.7c) 

these modular bone-like μTPs were used as building blocks to fabricate a macroscopic bone 

construct in a cylindrical perfusion culture chamber (2 cm in diameter). After a 7-day perfusion 

culture, these building blocks assembled into a centimeter-sized constructs with good cell viability 

and fairly homogenous distribution of cellular content and bone matrix [67]. 
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Figure1.7: culture device utilizes to fabricate three-dimension (3D) bone in vitro by cell-laden μPs’ 

assembly and morphological and optical visualization of corresponding tissue. A, morphology and 

proliferation of cell on the microcarriers during the cultivation. B, Osteogenic differentiation of hAMSCs 

on microcarriers on day 8, 14,21 and 28. C, assembly of modular tissues into a macrotissue (Reproduced 

with permission from: Biomaterials, 2011, 32, 7532–7542; doi: 10.1016/j.biomaterials.2011.06.054 [67]). 

Therefore, these results demonstrated that macroscopic bone constructs were created by 

modular tissues after a short time of the perfusion culture [67]. 

In another study, Zhou and co-workers fabricated the chitosan µ-scaffolds with ECM-

mimicking nanofibrous structure for cartilage tissue regeneration [68]. In that study nanofibrous 

chitosan µ-scaffolds (NCMS) with uniform size and controlled nanofibrous structure were 

obtained by microfluidic technology (section 1.2.1) and physical crosslinking. NCMS with sizes 

from 165 to 425 µm were tested by seeding cells in vitro. Up to 90% cell adhesion was observed 

after 6 h from seeding. More importantly, it was found that chondrocytes cultured with smaller 

NCMS were more easily to form into cell-NCMS aggregates. 

Chondrocytes completely covered the surface of NCMS after 7 days of culture time and showed 

a flat morphology indicating a good adhesion and spreading onto the nanofibrous structure [68]. 

These results demonstrated that ECM-mimicking µ-scaffolds can be designed for enhancing cell 

behavior and modular microtissue features of bottom-up TE approaches. 

To successfully generate functional tissue constructs and to ensure proper ECM and cells 

survival in 3D engineered tissue, the capability to stimulate vascular network by the µ-scaffolds is 

required [69]. In view of this aim, Zhong et al. developed the engineered bone-like constructs by 
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self-assembly of osteon-like modules and by utilizing the gelatin µ-scaffolds as fast degradation 

biomaterials [70]. Firstly, human osteosarcoma (MG63)-laden hydrogel µ-scaffolds were prepared 

using an electrostatic droplet method, and then human umbilical vein endothelial cells (HUVECs) 

were seeded onto the hydrogel µ-scaffolds surface for co-culture. Subsequently, the samples were 

mixed with gelatin microspheres and randomly assembled into a macrotissue. The µ-scaffolds with 

MG63 cells inner and HUVECs on the surface were designed to mimic the complex structure of 

osteon with both bone part and vascular part. Due to the fast degradability of gelatin at 37 ℃, the 

introduced gelatin microspheres would gradually dissolve over time, thus providing additional 

space among the spherical modules to naturally form vessel-like channels [70]. In fact, the authors 

found that co-culture of MG63 and HUVECs together with the incorporation of gelatin 

microspheres showed better vasculogenic function if compared to microtissue formed without 

HUVECs and without gelatin microspheres used as control. 

An interesting modification of this approach was reported by Scott and co-workers that 

investigated the effect of modularity, biological activity, and porosity at multiple length scales by 

mixing human liver cancer cell line, human hepatocellular carcinoma cells (HepG2), and three 

different types of PEG µPs with different functionalities [71]. The entire scheme of this process is 

highlighted in (Figure 1.6) together with images of the resulting assembly of modular µ-scaffolds. 

Indeed, the first type of PEG µPs provides µ-scaffolds mechanical support, another type used for 

controlling the delivery of the sphingosine 1-phosphate (S1P), an angiogenesis-promoting 

molecule, other type lead to dissolving of non-cytotoxic porogen materials slowly. Macroporous 

samples formed after components centrifugation into the mold and overnight incubation at 37 °C 

that promoted dissolution of the porogen (Figure 1.6b) [71]. 
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Figure1.6: Assembly of μ-scaffolds into bioactive modular scaffolds. (a) assembly of cell and 

multifunctional PEG μPs to investigate of cells migration in vitro as a function of scaffolds porosity and 

S1P release. (b) photograph of a scaffold created by centrifuging μPs in the presence of medium with 2% 

FBS. (Reproduced with permission from: Acta Biomater. 2010, 6, 29–38; doi: 

10.1016/j.actbio.2009.07.009 [71]). 

The absence of surfactants and organic solvents during the manufacturing process allowed the 

assembly of µ-scaffolds with cells, resulting in a homogenous cellular distribution. Bioactivity was 

enhanced via RGD peptide conjugation and S1P delivery that promoted HDFs infiltration [66]. 

The use of porosity gradient was produced by varying µ-scaffolds density, indicating the potential 

to fabricate complex system for TE application [71]. 

In another research work, pre-vascularized endogenous human dermis model was produced by 

seeding HUVECs on endo dermis tissue [72]. In that study, gelatin µ-scaffolds were fabricated by 

double emulsion technique, cross-linked with 4% glyceraldehyde and seeded with HDFs in a 

spinner flask. Cells attached and proliferated onto the surface and into the inner part of the µ-

scaffolds and synthesized new collagenous ECM that promoted µTPs formation [72]. The formed 

µTPs were assembled into customized bioreactor system to stimulate tissue growth and µ-scaffolds 

degradation. Samples were cultured for 3 weeks to obtain dermis equivalent tissue. Pre-

vascularized dermis model was achieved by HUVECs seeding onto the dermis samples and 

subsequently implanted in vivo to study functional anastomosis with host vasculature process [72]. 

Wang and co-workers developed a 3D endothelialized hepatic tumor microtissue model by 

using porous PLGA µ-scaffolds seeded with HepG2 and HUVECs [73]. This 3D liver tumor 
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microtissue model was used for drug screening proposes. It was found that the drug evaluation 

capability of the tissue model was significantly enhanced compared to the 2D plate culture method 

while using doxorubicin and cisplatin as model drugs. The enhancement of drug evaluation was 

not only evidenced by the ability of the tumor microtissue model to significantly prolong the time 

of internalization of the drug molecules into the interior, but also by the different availability of 

the drugs for the cells in the different locations [73]. 

Similar to the work reported by Zhong et al., Liu and co-workers fabricated a bioinspired 3D 

gelatin-methacrylate (Gel-MA) hydrogel incorporating pore generating gelatin microspheres and 

co-culturing HMSCs and HUVECs which was used to investigate whether HMSCs could play a 

pericytes-like role and enhance vascularization within the engineered scaffolds [74]. The results 

showed that co-culture of HMSCs and HUVECs enhanced tissue vascularization when compared 

to either HUVECs or HMSCs monoculture. Moreover, when implanting the pre-vascularized 

scaffolds in vivo, co-culture system integrated more successfully with host tissue and showed 

higher host tissue invasion. More importantly, MSCs differentiated towards pericytes to enhance 

vascularization [74]. 

As previously commented, the final properties of biohybrids can be improved and customized 

by controlling the spatial assembly of cell-laden µ-scaffolds. This can be achieved, for instance, 

by using bioprinting. In fact, this technique allows CAD cells and materials in powder form with 

microscale resolution following predefined virtual models of evenly complex tissues like 

osteochondral [75]. By using bioprinting, Levato and co-workers obtained a bilayer biohybrids 

characterized by porosity and 3D cells distribution mimicking the architecture and composition of 

cartilage and bone portions of osteochondral tissues [75]. In particular, building blocks made of 

PLA µ-scaffolds and mesenchymal stromal cells (MSCs) were obtained by static or spinner flask 

culture and they were encapsulated in a gelatin methacrylamide-gellan gum (GelMA)-GG bioinks 

and processed in the bioprinting machine. This technique allowed the creation of constructs with 

high cell concentration and cell viability. µ-scaffolds encapsulation improved the compressive 

modulus of the hydrogel constructs, facilitated cell adhesion, and supported osteogenic 

differentiation and bone matrix deposition by MSCs. As shown in Figures 1.8 (a) and (b), µ-

scaffolds, MSCs, and cells seeded µ-scaffolds were distributed homogenously in the gel matrix 

and proved excellent cell viability. 
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Figure1.8: (a) gels loaded with pre-cultured µ-scaffolds and (b) with cells and µ-scaffolds separately. (c-e) 

Immunofluorescence analysis on bioprinted GelMA-GG hydrogels with encapsulated cells and µ-scaffolds. 

(c) MSCs were precultured on µ-scaffolds either in a spinner flask bioreactor (d) under static conditions (e) 

directly mixed in the hydrogel solution without preculture. (f-i) Bilayered GelMA-GG cylindrical 

osteochondral graft model. (f) µ-scaffolds-laden layer top view, (g) GelMA-GG layer top view, (h) 

perspective, (i) cross-section. (Reproduced with permission from: Biofabrication, 2014, 6, 035020, 

doi:10.1088/1758-5082/6/3/035020 [75]). 

The results demonstrated MSCs were found onto µ-scaffolds after 4 h in presence of GelMA. 

Figure 1.8 show MSCs precultured on µ-scaffolds in a dynamic culture condition (c), static 

condition (d), and directly mixed in the hydrogel solution (e). These results revealed that obtained 

constructs were characterized by a homogeneous distribution of cells and µ-scaffolds among the 

gel matrix for all the conditions. Besides, for all conditions, constructs were fabricated with 

homogeneous distribution of cells and µ-scaffolds through the gel matrix, comparable overall 

dimensions, strands orientation, struts and pore sizes, with respect to the original CAD design. 

Bilayer osteochondral graft model was fabricated by using the µ-scaffolds based biofabrication 

strategy. In this regard, GelMAGG was used for printing the cartilage region and GelMA-GG with 

encapsulated µ-scaffolds to represent the bone region [75]. Bilayered GelMA-GG cylindrical 

osteochondral graft model showed a homogenous distribution of PLA µ-scaffolds through the 

whole structure (Figures 1.8 (f) and (h)).  

Tan et al. introduced a similar strategy for recreation of vascular tubular tissues by the 

micropipette extrusion bioprinting technique [76]. The entire scheme of this process is highlighted 

in Figure 1.9 together with images of the resulting vascular construct. Cell-laden µ-scaffolds 

encapsulated within agarose-collagen hydrogels were used to make bioink. Besides, the capability 

to utilize the C2CL2 and Rat2 cell-laden µ-scaffolds are examined simultaneously. In this regard, 

cells were seeded on the PLGA µ-scaffolds in the stirred or perfused culture to create cell-laden 
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µ-scaffolds. The as prepared composite bioink was printed to obtain tightly packed constructs. As 

shown in Figure 1.9 (a) bioink with various cell types were made in separate centrifuge tubes and 

then they were loaded into a printer with controlling the temperature and gentle stirring. 

 

Figure 1.9: (a) schematic of an automated bioprinting system and the 3D-printed prototype. (b, c) 3D-

printed tubular construct with gelatin. (d) SEM image of printed construct. (e, f) C2C12 cells and Rat2 cells 

labelled with red and green fluorescent cell linker respectively. (Mater. Lett. 2018, 228, 360–364, https: 

doi.org/10.1016/j.matlet.2018.06.045 [76]). 

This design prevented cell-laden µ-scaffolds from fusing before printing. Extrusion-based printing 

was obtained manually in this study. However, complex 3D constructs can be bioprinted by 

utilizing an automated printer [76]. Figures 1.9 (b) and (c) show optical images of 3D printed tube, 

while Figure 1.9 (d) reported SEM analysis of tightly packed PLGA µ-scaffolds printed by 

utilizing micropipette extrusion technique. Figures 1.9 (e) and (f) show constructs filled with live 

cells after 3days of in vitro culture time. Cells continued proliferation within cell-laden µ-scaffolds 
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and migrated to the hydrogel after 7 days and were populating the whole bioprinted construct after 

14 days of culture time. These results revealed that printed construct provided a desirable 

microenvironment for cell proliferation. 

Manipulation of cell-laden µ-scaffolds at the micro-scale was studied to fabricate precisely 

designed 3D constructs for TE. µ-scaffolds were immersed in an inert medium, such as mineral 

oil whereas their assembly was achieved by geometrical constraints, particularly by using of 

guiding structures. For example, Xiao and co-workers obtained 3D structure by assembling cell-

laden µ-scaffolds created by UV-lithography and using UV-photo-cross-linkable GelMA solution 

[77]. They introduced silk fibroin (SF) into GelMA for controlling the matrix stiffness and swelling 

feature of the microgels. For fabrication GelMA-SF µ-scaffolds, homogeneous prepolymer (6wt.% 

GelMA, 1wt.% photoinitiator and 1wt.% SF) was pipetted onto the hydrophobic PDMS surface 

treated glass side then a photomask with a special shape was arranged on the top and exposed to 

UV. Thus, GelMA-SF µ-scaffolds obtained after methanol treatment and lyophilization of 

patterned microgels. Cell-laden µ-scaffolds fabricated by seeding MG63 cells on the GelMA-SF 

µ-scaffolds. These cell-laden µ-scaffolds were immersed in the mineral oil after 1day of culture 

time [77]. µ-scaffolds assembly complexes were obtained by surface tension-driven assembly 

technique. Figure 1.10 show the schematic of the two assembly processes of µ-scaffolds and 

images of the resulting 3D construct. 

 

Figure 1.10: Scheme of µ-scaffolds assembly process (a, b), two similar cell-friendly approaches for 

assembly of µ-scaffolds. (c, f), fluorescence pictures. (d, g), assembly of µ-scaffolds. (e, h), stained 

assembly after 3days of culture time. (Reproduced with permission from: Mater. Lett. 2018, 228, 360-364, 

https://doi.org/10.1016/j.matlet.2018.06.045 [77]). 

https://doi.org/10.1016/j.matlet.2018.06.045
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2D complex created by mechanical agitation utilizing the tip of pipette to aggregate individual 

µ-scaffolds and 2D surface assembly (Figure 1.10a). Therefore, a syringe needle was swiped 

uniaxially against the linear array of µ-scaffolds on the glass slide for 3D sequential assembly then 

µ-scaffolds were packed. Subsequently, GelMA solution was added dropwise on the assembly 

structure and µ-scaffolds assembly was fixed after performing of secondary photo crosslinking 

(Figure 1.10b). The result demonstrated µ-scaffolds were fabricated with open porous structure 

and high interconnectivity that suitable for cellular ingrowth and vascularization. Besides, the 

morphology of MG63 cells on µ-scaffolds revealed that cells attached after 1days and proliferated 

for 5days of culture time to the µ-scaffolds. As shown in figures 1.10 (c), (d), (f), and (g), µ-

scaffolds were closely regulated into assembly complexes. Besides, as can be observed, GelMA 

provided a bonding role in the assembly of µ-scaffolds. Results revealed that cells were distributed 

in constructs after 3 days of culture time with excellent viability (Figure 1.10 (e) and (h)). These 

results are ascribable to the biosafe process develop based on the use of inert and safe reagent, 

such as the mineral oil [77]. In conclusion, the two assembly processes (Figures 1.10 (a) and (b)) 

have the potential to be used for building block assembly. 

Lui et al. presented a technique for assembly of shape-controllable microcapsule by utilizing an 

untethered magnetic microcapsule-robot [78]. This microcapsule-robot with shape-matching 

structure can grab the building components during assembly process. The core−shell 

alginate−chitosan−alginate microcapsule-encapsulated magnetic nanoparticles act as a magnetic 

microcapsule-robots. These core -shell microcapsules separated bioactive materials from magnetic 

nanoparticles, so no necessity to release of magnetic nanoparticles from cell-loaded hydrogel 

microstructures. Several microcapsules are assembled, and posture controlled at the interface 

between water and perfluorodecalin. Construction of the 3D heterogenous liquid-like core-shell 

microcapsule was carried out with using programmable microcapsule fabrication device [78]. The 

orientation and position of building blocks was adjusted by the microcapsule-robot dynamically. 

Furthermore, authors demonstrated that the presented manipulation method can be applied to cell-

loaded microcapsules without damage and toxicity. From the above, the proposed method of 3D 

heterogeneous microcapsule fabrication and assembly holds great promise to build bioartificial 

architectures for promoting the development of tissue regeneration and drug screening applications 

[78]. 

1.3. Research hypothesis and objectives 
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The research activity carried out in this work aim to provide new knowledge in the field of 

modular TE and, in particular, on the control of new tissue properties at the micro-scale. In fact, 

by designing new types of porous µ-scaffolds and by developing novel cell/µ-scaffolds assembly 

techniques, it is possible to enhance the control of the spatial organization of cells, ECM and blood 

vessels distribution in 3D. To address this challenging goal, we pursued the following objectives: 

1) Implement a fluidic emulsion technique suitable to design and fabricate 3D porous 

biocompatible µ-scaffolds with controllable size, shape, pore size and interconnectivity. The 

µ-scaffolds were prepared starting from PCL and by using polyethylene oxide (PEO) as 

biocompatible porogen agent. The control of µ-scaffolds features was achieved by studying 

the effect of emulsion conditions, namely the composition of the polymeric solution, the 

flow rate of the continuous phase, the temperature of the coagulation bath and the 

ultrasounds post processing. The final materials were characterized to assess their 

morphological and micro-structural properties. Furthermore, cellular biocompatibility tests 

were used by seeding HDFs cells on µ-scaffolds to validate their use as building blocks for 

in vitro tissue building. 

2) Set-up a new approach to control the spatial assembly of µ-scaffolds and HDFs and study 

the effect of µ-scaffolds patterning on new tissue development. In particular, µ-scaffolds 

spatial distribution was achieved by the use of patterned molds. The structure of the molds 

was designed in-silico while their fabrication was obtained by soft-lithography technique. 

This last step involved the use of micromilling and PDMS replica techniques and enabled 

the achievement of two µ-scaffolds patterned layers: ordered and disordered. In vitro co-

culture of HDFs and HUVECs was subsequently used to create ordered and disordered 

hybrid vascularized layered constructs and to study the effect of the different array design 

on cells proliferation, distribution, ECM biosynthesis and blood vessels formation. As a 

final objective, thick vascularized hybrid constructs were built by the controlled assembly 

of two ordered layered samples. This was achieved by designing a layers bonding chamber 

that provide the desired alignment of the samples and the correct tissue culture and growth 

in vitro. In addition, the effect of culture time on 3D vascularized hybrid constructs features, 

such as layers bonding interface development, ECM and blood vessels growth into samples 

core, were examined. 
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Chapter 2 

Bioinspired design of novel micro-

scaffolds for fibroblasts guidance towards 

in vitro tissue building 
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The first objective of this study is to design, fabricate and characterize of 3D porous 

biocompatible µ-scaffolds. The requirements that are going to be assessed in this chapter are 

controlling size, shape, pore size and interconnectivity and biocompatibility assay.  

Many research groups have fabricated various µ-scaffolds for in vitro tissue engineering studies. 

Yet, we believe that little attention has been given to produce highly interconnected porosity with 

trabecular structure that can lead to a homogeneous cell distribution within 3D µ-scaffolds. 

Therefore, in this chapter, we present a developed new route to generate porous PCL µ-scaffolds 

with bioinspired trabecular structure that supported the in vitro adhesion, growth and biosynthesis 

of HDFs. The method involved the use of PEO as biocompatible porogen and a fluidic 

emulsion/porogen leaching/particle coagulation process to obtain spherical µ-scaffolds with 

controllable diameter and full pores interconnectivity. 

This study has been published in the “Journal of ACS Applied Materials & Interfaces”. 

Reprinted with permission from (PARISA PEDRAM, CLAUDA MAZIO, GIORGIA 

IMPARATO, PAOLO A. NETTI, and AURELIO SALERNO. BIOINSPIRED DESIGN OF 

NOVEL MICROSCAFFOLDS FOR FIBROBLAST GUIDANCE TOWARD IN VITRO 

TISSUE BUILDING. https://dx.doi.org/10.1021/acsami.0c20687). Copyright (2021) American 

Chemical Society. 
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2.1. Introduction to porous micro-scaffolds for in vitro tissue engineering  

The concept of TE can be considered mostly a therapeutic action whose aim is to restore the 

biological and biomechanical functions of lost or dysfunctional tissues by the synergic 

combination of cells, biomaterial scaffolds and molecular cues [1,2]. In this context, modular TE 

represents a strong fascinating area as it aims to build large viable tissue constructs by packing and 

sintering cell-laden scaffold-based µ-scaffolds in a mould [3,5]. Sintering depends on µ-scaffold 

contact points union and can be induced by polymer plasticization/chemical bonding [6], or by 

promoting cell-to-cell and cell-to-ECM interlocking [7,8] Further µ-scaffold degradation allows 

achieving a large viable tissue replicating the composition and structure of native tissue and 

suitable for studying biological processes involved in new tissue genesis, maturation and 

remodelling. 

The importance of µ-scaffold features on in vitro tissue development and morphogenesis has 

been proved in several studies. Ideally, µ-scaffold should possess interconnected porosity and 

pores larger than 20 µm to accommodate most types of mammalian cells and to allow for fluids 

transport from the surface to the µ-scaffold’s core [9-12]. Besides, µ-scaffold diameter in the 100-

500 µm range are required to ensure cellular adhesion and viability [12]. The biosynthetic activity 

of cells and the composition, organization and maturation of de novo synthesized ECM were also 

dependent on µ-scaffold composition, which in turn affects cellular mechanotransduction and 

tissue contraction, as well as in vitro culture conditions [7,8]. 

In the past decade, several polymeric µ-scaffold were tested as building blocks for the 

regeneration of biological tissues, both in vitro and in vivo. Stem cells-laden gelatin µ-scaffold 

were used to engineer a centimetre-sized bone tissue construct [7], while fibroblasts-laden gelatin 

µ-scaffold were implemented to produce vascularized dermal tissues [13]. Common approaches 

to enhancing the biocompatibility of synthetic polymeric µ-scaffold were to functionalize their 

surface by topographical and biochemical cues [14-17]. For instance, nano-fibrous polylactic acid 

µ-scaffold were investigated as injectable chondrocyte-carrying carriers for osteochondral defect 

repair, demonstrating enhanced cell proliferation, chondrogenic gene expression and cartilaginous 

matrix production if compared to smooth-surface ones [15]. Surface coating with cell adhesive 

molecules was another approach to enhancing µ-scaffold biocompatibility. As such, growth factor-

immobilized polycaprolactone/pluronic F127 porous µ-scaffold were used as injectable filler to 

stimulate muscle-derived stem cells differentiation [17]. 
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Processing techniques based on emulsion solvent evaporation [18-20], porogen leaching [9,11], 

spray-drying [21], and emulsion cross-linking [22], have already been developed with more or less 

success to produce porous polymeric µ-scaffold for TE applications. To improve the 

interconnectivity between the pores, complex methods were proposed that combined particulate 

leaching with phase separation [23], emulsion with porogen leaching [24], or gas foaming [25]. 

Recently, gas bubble-mediated coaxial electrospraying was proposed to obtain PCL-gelatin 

biomimetic nanofiber µ-scaffold with tunable diameters and multi-scaled porosity architectures 

that enhanced human neural progenitor cells growth in three dimensions [16]. Despite these 

advances, there is still demand of new processes that allows matching all the requirements of µ-

scaffold fabrication. These include, easy and reliable µ-scaffold manufacture, tunable µ-scaffold 

diameter and narrow size distribution, controllable µ-scaffold shape and 3D architecture with fully 

interconnected porosity and pore size. These novel µ-scaffold must be also combined with cells 

seeding and culture protocols tailored for each specific µ-scaffold structure and composition, so 

enabling ECM biosynthesis and cell-seeded µ-scaffold assembly for hybrid (biological/synthetic) 

tissue formation. 

PCL is a slowly degradable synthetic polymer that has been tested for several biomedical 

applications, including the preparation of bone and dermis µ-scaffold for in vitro and in vivo tissue 

regeneration [23,24,26,27]. Most importantly, PCL biochemical stability in physiological 

environments may allow the use of PCL µ-scaffold in vitro to test the effect of µ-scaffold 

composition, pore structure and culture conditions on cell behaviour and cell-laden µ-scaffold 

assembly towards new tissue formation. The slow degradation of PCL also ensures the 

preservation of µ-scaffold structure and biomechanical stability necessary to manipulate the 

samples and, further create more complex engineered tissues with controlled cell/ECM distribution 

and blood vessels organization [28,29]. 

In this work, we aimed to address these issues by developing a robust and facile approach for 

the bioinspired design and manufacture of porous PCL µ-scaffold for biomedical applications. The 

µ-scaffold were fabricated by a fluidic oil/water emulsion and particles coagulation process and 

by using PEO as a biocompatible pore-generating agent. Through this process we obtained µ-

scaffold provided of spherical shape, narrow diameter distribution and mean diameter easily 

controllable by adjusting the composition of the polymeric (oil) solution and the flow rate of the 

continuous (water) phase. Most importantly, PCL µ-scaffold evidenced a trabecular architecture 
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resembling those of biological tissues like bone, full pores interconnectivity and tunable pores size. 

In vitro cell culture tests demonstrated that µ-scaffolds promoted and guided human dermal 

fibroblasts (HDFs) adhesion, colonization and ECM biosynthesis towards functional hybrid tissue 

development, opening new opportunities for the regeneration of several connective tissues. 

2.2. Experimental part 

2.2.1 Materials 

PCL (Mw = 80 KDa), polyethylene oxide (PEO, Mw = 100 KDa), dichloromethane (DCM) and 

polyvinyl alcohol (PVA, Mowiol® 40-88, average Mw ~205,000 g/mol) were purchased from 

Sigma-Aldrich (Milano, Italy). Polyoxyethylenesorbitan Monolaurate (Tween 20, Biochemica, 

Mw = 1227.72 g/m) was provided by Vetro Scientifica srl (Roma, Italy). 

2.2.2 Fluidic device and porous polycaprolactone micro-scaffolds fabrication 

The fluidic emulsion device used for the preparation of the µ-scaffold was fabricated by using 

laboratory tubing and needles, similar to the approach described in a previous work [19]. The 

scheme of the device is highlighted in Figure 2.1. 

 

Figure 2.1: Scheme of the fluidic emulsion process developed for the design and fabrication of the porous 

µ-scaffold. (A) Pumping device of continuous (water) phase; (B) pumping device of dispersed (polymeric 
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solution) phase; (C) coagulation bath for solvent evaporation, PEO leaching and particles setting; (D) final 

µ-scaffold obtained after ultrasounds treatment. 

As shown in Figure 2.1A, the continuous phase, consisting of water solution of Tween 20 (0.1 

v/v%) and PVA (0.5 w/v%), was loaded into a 60-mL PE/PP syringe (Sigma-Aldrich, Milano, 

Italy) and pumped in a silicon tube (I.D. = 2 mm, O.D. = 4 mm, Sigma-Aldrich, Milano, Italy) by 

using a syringe pump (KDS 220-CE, KDScientific, Holliston, MA). Concomitantly, the dispersed 

phase, obtained by dissolving the PCL and PEO in DCM at 50°C for 2 hours, was loaded into a 

2.5 mL volume Hamilton syringe (1000 series GASTIGHT®, Sigma-Aldrich, Milano, Italy) 

connected to a 26G blunt tip needle (Sigma-Aldrich, Milano, Italy). The needle was inserted into 

the silicon tube and the dispersed phase was pumped out of the needle tip by using a syringe pump 

(AL300-220, World Precision Instruments Company, Friedberg, Germany) (Figure2.1B). Droplets 

of the polymeric solution formed at the needle tip and dropped into a beaker containing 100 mL 

of Tween 20 (0.1 v/v%) and PVA (0.5 w/v%) water solution at 190 rpm (Figure 2.1C). After 3 

hours stirring under the chemical hood, samples were washed three times in distilled water and 

treated with ultrasounds at 40 kHz for 1 minute at room temperature (RT) followed by air drying 

for 48 hours at ambient pressure and RT (Figure 2.1D). Several tests were carried out to find the 

best µ-scaffold preparation conditions. These include PCL/PEO in the 100/0 to 35/65 range, 

polymers concentration in the 1-10 wt% range, flow rate of the continuous phase (QCP) of either 8 

or 18 mL/min, the temperature of the coagulation bath (RT or 4°C). All of the tests were carried 

out at the flow rate of the dispersed phase (QDP) equals to 90 µL/min. 

2.2.3 Morphological and microstructural characterization 

Samples morphology was evaluated by scanning electron microscope (SEM, Ultraplus, Zeiss, 

Germany) analysis. PCL µ-scaffold were dried by washing in excess of absolute ethanol three 

times followed by air-drying under chemical hood overnight. Dried PCL µ-scaffold and their 

cross-sections were gold sputtered using a sputter coater (208HR, Cressington, UK) operating at 

40 mA for about 10 minutes under the argon atmosphere. The mean diameter of µ-scaffold was 

assessed by Image analysis (Image J®) of 2X stereomicroscope (Olympus SZX16) images. One 

hundred particles for each condition were analysed using the ‘‘particle analysis’’ tools of the Image 

J® software pack and the diameter was then calculated from area measurement with the hypothesis 

of spherical shape [23]. A similar approach was used to determine the size of the surface pores of 
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the µ-scaffold starting from SEM pictures. In particular, high magnification SEM images showing 

the surface of the samples were used and converted into binary images with surface pores 

highlighted in black. The images were then processed by the ‘‘particle analysis’’ tools of the Image 

J® software pack and measurements performed as previously described. X-ray computed 

tomography (MicroCT, Skyscan 1172, Bruker, Milano, Italy) was used to evaluate the µ-

scaffold3D architecture and microstructural properties. Measurements were performed at a voltage 

of 40 kV, 250 μA current and 3 μm pixel size. The transmission images were reconstructed using 

Skyscan NRecon software and further analysed by CTAn software package to evaluate µ-scaffold 

porosity, pore size distribution, trabecular thickness and pores interconnectivity. The 

reconstruction of the 3D architecture was carried out by CTVol software package. 

2.2.4 In vitro degradation 

In vitro degradation tests were carried out on µ-scaffold prepared at QCP = 8 mL/min and from 

10 w% polymeric solution to exclude possible effects of bi-products on cell survival and ECM 

deposition. The vacuum-dried samples were weighted by a high-accuracy balance (AB104-S; 

Mettler Toledo, Milano, Italy), placed in 2-mL Eppendorf vials (100 mg/vial approximately) and 

immersed in 1 mL of Dulbecco’s Phosphate Buffered Saline (PBS, Sigma Aldrich, Milano, Italy), 

and incubated at 37°C up to 40 days with gentle shaking (100 rpm) and, without refreshing media. 

At 10, 20 and 40 days of incubation, samples were washed in absolute ethanol three times, vacuum-

dried and weighted to evaluate the weight loss with respect to the initial weight. The effect of the 

degradation was also assessed by the analysis of the morphology of the samples by 

stereomicroscope and SEM. 

2.2.5 Cell expansion, seeding and culture 

HDFs from healthy breast biopsies were used to assess the biocompatibility of the µ-scaffold. 

The cells were grown in 150 cm2 polystyrene tissue culture flasks (Corning Inc., Corning, NY) in 

enriched Minimum Essential Medium Eagle (MEM) composed of MEM (Sigma Aldrich, Milano, 

Italy), 20% of fetal bovine serum (FBS) (Sigma Aldrich, Milano, Italy), 2% of Non-Essential 

Amino acids (EuroClone ECB3054D, Milano, Italy), 1% of L-Glutamine (Lonza 17-605E, Basel, 

Switzerland) and 1% of penicillin/streptomycin (Sigma Aldrich, Milano, Italy) until passage 7. 

The medium was changed every two days until reaching 90% confluence. Cells were washed three 
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times with PBS and incubated with trypsin-ethylenediaminetetraacetic acid (EDTA) (0.25% 

trypsin, 1 mM EDTA; Microtech, Napoli, Italy) for 5 minutes at 37°C to detach the cells. 

PCL µ-scaffold were sterilized in absolute ethanol for 12 hours at RT, washed three times with 

sterile PBS for 20 minutes and re-suspended in the culture medium for 48 hours at 5% CO2 and 

37°C into low attachment 24 multiwell. Subsequently, each well was loaded with 80 mg of µ-

scaffold and 7×104 cells, suspended in 1 mL of enriched MEM were seeded on the sample to obtain 

200 cells/µ-scaffold. After seeding, cycles of dynamic (5 minutes at 40 rpm) and static (30 

minutes) conditions were alternated for 4 hours to promote cells attachment. For cells proliferation 

and hybrid tissue formation, the cell-seeded samples were maintained in static culture conditions 

up to 25 days and culture medium was changed at day 1 after seeding and then every two days. 

From the 3th day of culture, the culture medium was supplemented with Ascorbic Acid (2-O-a-

DGlucopyranosiyl-L-Ascorbic-Acid TCI; Cf: 0.5 mM) to stimulate collagen biosynthesis by 

HDFs. In fact, ascorbic acid a stimulus for collagen gene expression and many studies have 

evaluated the relationship between ascorbic acid and collagen expression in short- and long-term 

effects on cells, such as HDFs, after a single administration into the culture medium [8,13]. 

2.2.6 Cell viability and proliferation 

The number of viable cells on the µ-scaffold was measured with Alamar blue assay (Invitrogen 

TM, Milano, Italy). At specific time points, namely 6 hours, 5 days, 10 days, 14 days, 20 days and 

25 days, samples were washed twice with PBS and incubated in Alamar blue (10 v/v%) for 2 hours 

at 37°C and 5% CO2 in the dark. After that, 200 µL of each solution were placed into 96-well 

culture plate (Costar, Torino, Italy) and analysed by a spectrophotometer (Perkin Elmer, Milano, 

Italy) at wavelengths 570 nm and 600 nm. The number of viable HDFs on µ-scaffold was assessed 

by comparing fluorescence values with those of the calibration curve. Five samples were analysed 

for each time point. 

2.2.7 Cell morphology, colonization and tissue production 

Cell morphology and colonization were studied by using confocal laser scanning microscopy 

(CLSM). At specific time points, the constructs were fixed with paraformaldehyde (4 v/v%) at 4°C 

for 24 hours, washed three times with PBS solution and incubated with Triton 0.2 v/v% for 5 

minutes at RT. Subsequently, the constructs were washed three times with PBS and incubated with 

a blocking buffer containing 3 w/v% bovine serum albumin (BSA) and 3 v/v% FBS in PBS for 1 
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hour at RT. Actin was stained with Phalloidin-488 (Invitrogen, 1:200 diluted in blocking buffer) 

for 40 minutes at RT. Samples were washed with PBS three times and the nucleus was stained 

with DAPI (Sigma Aldrich, 1:10.000 diluted in PBS) for 20 minutes at RT. The samples were 

finally washed three times with PBS and characterized by CLSM (Leica TCS SP5 II, Wetzlar, 

Germany) using 4x and 10x objectives to assess HDFs morphology and distribution. Multi-photon 

microscope was used to assay collagen biosynthesis over time, as collagen production dictate cell 

seeded µ-scaffolds assembly dynamic. Samples were analysed by two-photon excited fluorescence 

(Leica TCS SP5 II coupled with a Multiphoton Microscope stage Chamaleon Compact OPO-Vis, 

Coherent) to induce second harmonic generation and obtain high-resolution images of unstained 

collagen structures. Samples were observed by using λex = 840 nm (two photons) and λem = 415-

425 nm and a 25X water immersion objective (HCX IRAPO L 25.0, 0.95 Water, n.a. 0.95). 

Besides, Image analysis was used to quantify the collagen fraction in the inter-µ-scaffold regions. 

The Collagen Fraction (v%) was defined as the percentage of the ratio between bright pixels to 

total pixels in the selected regions. Cell colonization into the µ-scaffold porosity was assessed by 

histology analysis. To this end, hybrid tissues were fixed in 4% paraformaldehyde, washed in PBS 

and soaked into a 2 M aqueous sucrose solution. After 20 hours, the samples were embedded in 

OCT (Killik, Bio Optica, Milano, Italy), frozen in liquid nitrogen and stored at -80 °C. Frozen 

samples were then cryo-sectioned using a cryomicrotome (Leica CM 1850, Milan, Italy) to obtain 

20-mm-thick slices. Slice thickness was optimized to allow an optimal balance between cell 

detection and slice handling during the staining protocols, also considering the low adherence of 

PCL µ-scaffold to the glass slide. The sections were subsequently stained with hematoxylin/eosin 

(Bio Optica, Milano, Italy) following standard protocol, mounted with 50% glycerol instead of 

xylene-based histomount to overcome the problem of PCL degradation and analysed using an 

optical microscope (BX53; Olympus, Tokyo, Japan). 3D images of the reconstructed hybrid tissues 

were obtained by Micro-CT and used for quantification of the cells-tissue amount. At different 

time points, samples were fixed 2.5% glutaraldehyde/0.1 M cacodylate solution at 4°C overnight. 

Subsequently, samples were washed three times in 0.1 M sodium cacodylate solution at 4°C for 

10 minutes and stained in 1% osmium tetroxide/1% potassium ferrocyanide in 0.1 M sodium 

cacodylate for 1 hour, at 4°C in darkness. Once staining was completed, samples were washed 

three times in 0.1 M sodium cacodylate, washed with chilled water and incubated with 0.15% 

tannic acid aqueous solution for 3 minutes at 4°C. Samples were then washed in chilled water two 
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times for 5 minutes and incubated with 1% uranyl acetate overnight, at 4°C in darkness. Finally, 

the samples were washed in chilled water three times for 15 minutes and store at 4°C before the 

analysis. MicroCT assay was performed at 40 kV voltage, 250 μA current and by using a 9 μm 

pixel size resolution. The transmission images were reconstructed using Skyscan NRecon software 

and further analyzed by CTAn/CTVol software package to evaluate the v% of new formed tissue 

with respect to the PCL-tissue volume and to obtain 3D reconstruction images of the hybrid tissue. 

Three different measurements were carried out for each time point. 

2.2.8 Statistical analysis  

The statistical significance of the results was assessed by one-way analysis of variance 

(ANOVA) and Tukey post-hoc test at the significance level p < 0.05. 

2.3. Results and discussion 

2.3.1 Fabrication of porous polycaprolactone micro-scaffolds 

In the first part of this study, the operating conditions were optimized for the fabrication of PCL 

µ-scaffold with desired features. These include diameter in the 100-500 µm range, surface and 

bulk pores with diameter and throat size larger than 20 µm [9,11,12]. Preliminary tests were carried 

out starting from a 10% PCL-PEO solution, QDP and QCP set to 90 µL/min and 8 mL/min, 

respectively, and changing the concentration of PEO with respect to overall polymers amount in 

the 0 to 65 w% range to find the best µ-scaffold morphology and architecture. The coagulation 

bath temperature was initially set to RT. Figure 2.2 showed the effect of PEO concentration on the 

morphological features of the surface and cross-section of µ-scaffold. All of the samples have 

rounded shape (low magnification images in Figure 2.2) and as expected, both surface and inner 

porosities increased with PEO concentration. As shown in the cross-section images of Figure 2.2, 

samples prepared by using 50 and 60 w% PEO provided the best results as they were characterized 

by large pores and highly interconnected trabecular architectures. However, these samples have 

low surface porosity considered inadequate to promote cells colonization in 3D. Samples prepared 

at PEO concentration of 65 w% were discharged from SEM analysis as they showed a collapsed 

morphology (not shown). 
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Figure 2.2: Morphology of the surface and cross-section of PCL µ-scaffold obtained from 10 w/v% 

polymers concentration and by varying PEO concentration in the 0 to 60 w/w% range. Fluidic emulsion 

was carried out by setting QDP = 90 µL/min and by using 0.5 w/v% PVA solution as coagulation bath at RT 

for 3 hours. 

The use of immiscible polymeric blends for the preparation of porous materials for biomedical 

applications has attracted large interest in the past [30-32]. This approach consisted of blending 

two or more polymers in the conditions required to create the so-called co-continuous morphology, 
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where the polymeric phases are characterized by a mutual interpenetration (percolation). The co-

continuous morphology generally occurs in the 40/60 to 60/40 v% composition range and enabled 

the total leaching of one of the two polymeric phases using a selective solvent, finally reaching a 

porous structure with fully interconnected pores [30-32]. The results of this study were in 

agreement with literature works on PCL-PEO co-continuous blends prepared by melt blending 

[31,33,34]. Besides, in our knowledge, this study represents the first attempt to obtain porous PCL 

µ-scaffold starting from organic solution and using PEO as continuous porogen. Previous studies 

on miscibility and crystallization of PCL-PEO blends from solutions in organic solvents evidenced 

that, in the PEO range from 10 to 60 w%, PCL and PEO formed immiscible blends films after 

solvent evaporation [35,36]. Different from porous PCL prepared by melt blending, in our process 

the final PCL µ-scaffold morphology was governed by two main steps: the precipitation step and 

the PEO dissolution step. The precipitation step was driven by solvent evaporation and phase 

separation and was governed by the different solubility of the two polymers in their common 

solvent. Based on the Hildebrand solubility parameters, δ of dichloromethane is 19.8 MPa1/2 [37], 

while δ of PEO and PCL are 20.2 and 19.7 MPa1/2, respectively [36]. We can therefore assume 

that PCL is more soluble in dichloromethane than PEO. Taking this aspect into account and 

considering that the porous samples have a weight fraction of PEO equal or higher than PCL, it is 

reasonable to expect that PEO supersaturation occurred earlier than PCL and started at the 

polymeric solution droplet surface, were dichloromethane diffused out into the water phase. 

Concomitantly, the high hydrophilicity of PEO promoted its dissolution into the external water 

phase when PCL was still swollen by the solvent, so partially occluding the pores formed after 

PEO leaching. These considerations were in accord with the progressive decrease of µ-scaffold 

porosity from the centre towards the surface (Figure 2.2). At this point, further solvent evaporation 

accelerated the phase separation and the crystallization of PCL-rich regions inside the droplets.  

Increasing the size and distribution of surface pores of samples prepared from 60 w% PEO was a 

key aspect of this work and therefore, further tests were carried out to address this issue. As the 

surface porosity was affected by the rapid dissolution of condensed PEO at the interface between 

droplet and water phase, we slowed down PEO dissolution by decreasing the temperature of the 

coagulation bath to 4°C. As expected, the decrease of the temperature of the coagulation bath 

enhanced the distribution and size of the surface pores, while minor influence was observed on the 

inner porosity (Figure 2.3). 
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Figure 2.3: Morphology of the surface and cross-section of PCL µ-scaffold fabricated from 10 w/v% 

polymer concentration and 60 w/w% of PEO and by setting the particles at 4°C, before and after ultrasounds 

treatment. 

However, morphological analysis of the sample surface evidenced that surface pores, even if larger 

in diameter and distribution, were partially occluded by the presence of small, few micrometres in 

size, PCL particles. These particles originated by the so-called “secondary phase separation”, when 

the increase of the viscosity of the solution limited the diffusion of the polymeric chains to only 

short distances [36,38]. As a direct consequence, small PCL-rich domains remained entrapped 

inside PEO-rich phases leading to the formation of solid PCL particles that moved from the core 

towards the surface of the µ-scaffold carried by dissolving PEO. These micrometric sized PCL 

particles accumulated/aggregated close to the µ-scaffold surface occluding its external pores. To 

overcome this drawback and to achieve full pores opening, samples obtained after the emulsion 

were subjected to a short (1min) ultrasound treatment at 40 kHz and RT that broken PCL particles 

aggregates and favoured their release into the media without damaging µ-scaffold architecture 

(Figure 2.3). 

2.3.2.Modulation of micro-scaffold diameter and porous structure 

In this work, we implemented a fluidic emulsion process (Figure 2.1) suitable for the fabrication 

of PCL µ-scaffold starting from PCL-PEO solutions in dichloromethane. Various types of fluidic 

devices were proposed to obtain particles with diverse morphologies and structures. The fluidic 

device of this work was obtained by assembling laboratory tubing, syringes and needles, similar 
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to the device described in previous works [19,39], that do not require complex and expensive 

configurations and equipment. 

As shown in Figures 2.4 and 2.5, despite its simplification, this device allowed the fabrication 

of PCL µ-scaffold of controlled diameter distribution by simply modulating the composition of 

the starting polymeric solution and the fluidic conditions. We therefore studied the correlation 

among polymers concentration in the dispersed phase, in the 1-10 w% range, QCP of either 8 or 18 

mL/min, and µ-scaffold diameter distribution and architecture, while fixing QDP to 90 µL/min. 

 

Figure 2.4: Mean µ-scaffold diameter as a function of polymers concentration and QCP. Samples were 

prepared by setting QDP = 90 µL/min and by using 0.5 w/v% PVA solution as coagulation bath at RT for 3 

hours. 

In agreement with other studies, µ-scaffold diameter decreased with decreasing polymers 

concentration and with increasing QCP [19,40-42]. In particular, at QCP = 8 mL/min, µ-scaffold 

diameter varied from 176.6 ± 5.1 µm for 1 w% solution, to 541.8 ± 13.4 µm for 10 w% solution; 

at QCP = 18 mL/min, µ-scaffold diameter varied from 119.4 ± 4.6 µm for 1 w% solution, to 393.5 

± 20.0 µm for 10 w% solution. 

The formation of droplets by means of fluidic emulsions is affected by several parameters, 

including the flow rate of each phase, solutions viscosity and surface tension as well as fluidic 

channel geometry [40]. Typically, in dripping regime the polymeric solution was in contact with 

the continuous water phase at the tip of the needle and grew over time until the shear stress imposed 

by the continuous phase break-up the fluid bed to form emulsion droplets [42]. The increase of 
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QCP led to the reduction in the size of the emulsion droplets, and therefore the size of the final 

beads, due to the increase in the shear stress imposed to the dispersed phase at the tip of the needle 

[19,42]. 

 

Figure 2.5: Stereomicroscope images and diameter distribution of µ-scaffold as a function of polymers 

concentration and QCP. Samples were prepared by setting QDP = 90 µL/min and by using 0.5 w/v% PVA 

solution as coagulation bath at RT for 3 hours. 

The effect of polymers concentration is more complex as polymeric solution concentration 

affects not only the viscosity of the solution but also its interfacial tension and phase separation 

mechanism. For example, as the solution concentration increased, the viscosity increased too, 
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finally leading to larger droplets. Concomitantly, higher polymer concentrations accelerate 

supersaturation and droplets solidification with the consequent decrease of droplets shrinkage and 

the formation of larger µ-scaffold.[41]. For the samples prepared at QCP = 8 mL/min and 10 w% 

polymers concentration, the diameter of the droplets generated at the needle tip was about twice 

the diameter of resulting µ-scaffold (1100 µm approximately, not shown), therefore supporting the 

choice of a silicon tube with 2 mm ID for the fluidic device assembly. Optical images and diameter 

distributions of Figure 2.5 corroborated these considerations and also evidenced the uniform 

diameter of the different batches (the coefficient of variation, defined as the ratio between standard 

deviation and mean diameter, was less than 5%). In conclusion, our results suggested that the 

developed approach enabled to easily control the diameter of PCL µ-scaffold in the 100-600 µm 

range, that is considered optimal for biomedical applications [9,11,12]. 

Figure 2.6 showed SEM micrographs of PCL µ-scaffold as a function of preparation conditions 

while Table 1 reported surface pore size obtained by Image J calculation. 

Table 1.1: Mean size of the surface pores of PCL µ-scaffold as assessed by Image J analysis of SEM 

micrographs. 

QCP 

[mL/min] 

Polymeric solution concentration [w/v%] 

1 4 10 

8 9.3±3.1 (*) 19.4±5.1 (π) 33.4±7.1 

18 7.4±1.7 (*) 9.4±2.3 (*) 22.1±4.6 (π) 

All data are statistically significant at 0.05 level except those indicated by the symbols. 
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Figure 2.6: Low and high magnification SEM images showing the morphology of the surface and cross-

section of PCL µ-scaffold as a function of polymers concentration and QCP. Samples were prepared by 

setting QDP = 90 µL/min and by using 0.5 w/v % PVA solution as coagulation bath at RT for 3 hours. 

All samples have interconnected porosity on the surface and the core, while we observed the 

progressive decrease of surface porosity and pore size with the decrease of µ-scaffold diameter 

(Table 1). This effect may be explained considering that the smallest (< 10 µm) surface pores were 

obtained in the case of 4 w% sample prepared at QCP = 18 mL/min and 1 w% samples prepared at 

QCP equal to 8 and 18 mL/min. As the concentration of the polymers decreased, PCL crystallization 

and particle solidification were delayed and, therefore more PEO was leached out resulting in 

surface pores shrinkage. Nevertheless, samples prepared from 10 w% solution have surface pores 
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larger than 20 µm, suitable to promote 3D cell colonization. As shown in Table 2.2, Figure 2.7 and 

Figures S1-S3, MicroCT characterization provided additional important features of the µ-scaffold 

prepared. The samples have 3D porous architecture with a trabecular structure and high pores 

interconnectivity on both surface and core. Besides, µ-scaffold porosity increased from 64.3 ± 1.3 

% for 1 w% sample prepared at 18 mL/min up to 79.8 ± 1.3 % for 10 w% sample prepared at 8 

mL/min (Table 2.2). 

Table 2.2: Total porosity, closed porosity, trabecular separation and trabecular thickness of the µ-scaffold 

as assessed by MicroCT analysis. 

Polymeric 

solution 

concentration 

[w/v%] 

Q
CP

 

[mL/min] 

Total porosity 

[%] 

Closed 

porosity 

[%] 

Mean pore 

size 

[µm] 

Trabecular 

thickness 

[µm] 

1 

8 64.3 ±1.3 (*, π) / 22.6±0.8 (π, *) 11.4±0.3 

18 62.0 ± 3.0 (π) 10
-2

 14.1±0.8 (π) 8.8±0.2 

4 

8 72.4 ± 2.2 / 35.8±8.2 (#) 15.9±0.9 (π) 

18 67.1 ± 1.2 (*) / 24.6±0.3 (*) 13.3±0.1 

10 

8 79.8 ± 1.3 (#) 10
-2

 46.8±3.0 17.9±0.2 

18 77.4 ± 0.5 (#) 10
-3

 36.2±0.7 (#) 15.1±0.5 (π) 

All data are statistically significant at 0.05 level except those indicated by the symbols. 

In agreement with SEM analysis and considering the limit of MicroCT resolution, the percentage 

of closed pores was close to zero, while the mean pore size ranged from 14.1 ± 0.8 µm for 1 w% 

sample prepared at 18 mL/min up to 46.8 ± 3.0 µm for 10 w% sample prepared at 8 mL/min. These 

results, together with the pore size distributions of Figure S2 highlighted that µ-scaffold porosity 

and pore size are directly correlated with µ-scaffold diameter. The size distribution of the 

trabeculae progressively increased with the increase of µ-scaffold size (Figure S3). 
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Figure 2.7: 3D reconstruction images of surface and cross-section of PCL µ-scaffold as a function of 

polymers concentration and QCP as obtained by MicroCT analysis. Samples were prepared by setting QDP 

= 90 µL/min and by using 0.5 w/v% PVA solution as coagulation bath at RT for 3 hours. 

Several methods are currently available to design and fabricate porous µ-scaffold with tailored 

diameter distribution and pore architecture by combining the advantages of particle leaching, 

emulsion templating, gas foaming, phase separation and freeze-drying, among others [12,23]. Lim 

and co-workers proposed a melt molding and particle (NaCl) leaching method to obtain porous 

PCL µ-scaffold for use as injectable cell carriers [9]. The prepared samples showed over 90% 

porosity, diameter in the 400-550 µm range and two variable pore sizes, 25-50 and 50-100 µm, 
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respectively, achieved by selecting two NaCl size distributions. Double emulsion techniques were 

combined with either porogen leaching or gas foaming to obtain porous µ-scaffold from 

poly(lactide-co-glycolide) with high porosity and large surface pores [11,43,44]. Although all of 

these methods enabled the achievement of open porous µ-scaffold with controllable diameter and 

interconnected porosities, major difficulties may be related to the stability of the double emulsion 

and the achievement of highly interconnected pores even at lower total porosities [43]. Novel µ-

scaffold designs strive to combine the established advantages of carriers for cells delivery with 

easy and reliable fabrication of uniform micrometric-sized particles that provide 100% open 

porosity with pores size larger than 20 µm for cells colonization and delivery [11]. The method 

proposed in this study addressed these important concerns as PCL µ-scaffold fabrication combined 

fluidic emulsion, for the control of samples shape and diameter distribution, with polymer (PEO) 

leaching, for the achievement of a highly opened trabecular architecture. The use of PEO as a 

polymeric porogen agent was extremely advantageous as the polymer was dissolved in 

dichloromethane together with PCL leaving a time-stable solution that can be loaded into a syringe 

and emulsified in the fluidic emulsion setup of Figure 2.1. Moreover, during the process of samples 

coagulation, PCL crystallization and PEO leaching timing scales were optimized to achieve 

porosity up to 79.8 ± 1.3 % and mean pore size up to 46.8 ± 3.0 µm. Most importantly, the use of 

fluidic emulsion technique could also open to the possible preparation of µ-scaffold with even 

complex shape and geometry by simply changing the features of the fluidic channels [20]. Taking 

into account all of these considerations and based on literature investigations, PCL µ-scaffold 

prepared from 10 w% solution at 8 mL/min were further used in vitro to test their degradation and 

biocompatibility. 

2.3.3.In vitro degradation and biocompatibility 

The effect of degradation on the weight loss and morphological change of the PCL µ-scaffold 

was evaluated by soaking the samples in PBS up to 40 days. As reported for other PCL scaffolds, 

the µ-scaffold did not undergo any significant weight loss or morphological change (data not 

shown) over time, which indicated that longer degradation times or more aggressive degradation 

media would be required to have an impact on the microstructural properties, as reported elsewhere 

[45,46]. 

The characterization of the biocompatibility properties of PCL µ-scaffold was an essential 

aspect of the proposed study and was carried out in vitro and by using HDFs towards collagenous 
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hybrid tissue building. Preliminary tests were carried out to establish cell seeding and culture 

conditions. In particular, the cell/µ-scaffold was fixed to 200, while seeding conditions, culture 

media composition and frequency of agitation and incubation time were optimized depending on 

previous investigation [47]. The cell-seeded µ-scaffold were incubated for up to 25 days and the 

number of viable cells was assessed by Alamar blue assay, as shown in Figure 2.8A. Alamar blue 

is a metabolic assays nontoxic to cells that uses nonfluorescent resazurin as a primary constituent. 

Resazurin is transformed from blue colour to the highly fluorescent resorufin (pink) within a redox 

reaction process [48-50]. Resorufin, that is a redox indicator is used in assays for cell proliferation, 

cell viability, and mitochondrial respiratory activity by viable cells. Furthermore, even if it may be 

affected by limitations related to the reagents diffusion properties into the 3D TE constructs, this 

assay has some important advantages. First, measurements are non-invasive and may allow the 

real-time monitoring of cell viability on each specific sample during in vitro culture. Second, 

Alamar blue is a good fidelity assay as it has shown a good correlation with other metabolic activity 

assays such as the MTT assay [49]. Viable HDFs number increased significantly overtime on the 

µ-scaffold, from 3.04 ± 0.59 x 104 cells at 6 hours to 1.10 ± 1.49 x 105 cells on day 10, 1.52 ± 1.49 

x 105 cells on day 20 and 1.60 ± 1.32 x 105 cells on day 25. These data followed previous works 

showing fibroblast proliferation until 10 days on porous µ-scaffold made from polylactic-co-

glycolic acid [43,51], or chitosan [52]. The decrease of HDFs proliferation at longer culture times 

was already reported in the literature and ascribed to the complete cellular colonization of the µ-

scaffold and the possible cellular necrosis which decreased viable cell number and growth [53]. 

Most importantly, optical microscope visualization of samples evolution over culture time 

indicated that cell/tissue growth induced inter-µ-scaffold assembly already at day 5 of culture (left-

up inset of Figure A) while the formation of a single hybrid tissue was observed at day 10 (not 

shown). Further cell proliferation and ECM production resulted in enhanced inter-particles 

connection and higher tissue growth (right-down inset of Figure A). Literature studies indicated 

that HDF-seeded µ-scaffold aggregation depended on multiples factors, such as cells-scaffolds 

interaction and culture conditions used. For example, HDFs formed large conglomeration when 

cultured onto gelatin µ-scaffold in 12-well cell culture plates and continuous agitation [54], while 

HDF-seeded gelatin µ-scaffold fused already after 96 hours when cultured in dynamic spinner-

flask conditions [55]. Actin cytoskeleton and nuclei staining were carried out on the HDFs-seeded 

µ-scaffold to visualize and assess cell morphology, adhesion and proliferation. As shown in 
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Figures 2.8B and H, the HDFs well attached to the µ-scaffold surface and displayed a flat and 

spread morphology already after 6 hours from seeding. These results indicated good cellular 

interaction with the supporting scaffold structure. Furthermore, cell proliferation resulted in 

significant increase of the cell population onto the surface of the scaffolds at day 5 (Figure 2.8C). 

Confocal images of the samples at longer culture times, from day 10 to day 25, showed the almost 

complete surface covering by the cells and the progressive formation of cell-ECM tissue between 

adjacent µ-scaffold characterized by densely packed cells aligned (day 20, Figure 2.8I). 

Second harmonic generation pictures of the collagen fibres acquired by multiphoton 

microscopy test evidenced progressive collagen deposition by the HDFs from 49.8 ± 1.4% at day 

5, to 71.7 ± 4.0% at day 14 and, finally, 86.6 ± 3.6% at day 25 (Figure 2.9A). 

Figures 2.9B-D show the massive collagen deposition by the HDFs and the strong directionality 

of collagen fibres in the inter particles space from one particle towards the adjacent one. H&E 

stained cross-sections of the hybrid tissue were reported in Figure 2.10 to evaluate cells distribution 

and proliferation. 
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Figure 2.8: (A) Viability and proliferation of HDFs onto PCL µ-scaffold up to 25 days of in vitro culture 

as measured by Alamar blue assay. Data are presented as mean ± SD (n =4). The insets of Figure A showed 

optical images of hybrid tissue at 5 days (left-up) and 25 days (right-down) of culture. The red arrows 

evidenced cell- and ECM-mediated linking of adjacent µ-scaffold. Figures 2.8B-I showed low and high 

magnification CLSM images showing the morphology and colonization of HDFs onto the surface of µ-

scaffold and the inter-particles regions at different culturing time: 6 hours (B, H); 5 days (C), 10 days (D), 
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14 days (E,K), 20 days (F, I) and 25 days (G). Nuclei are marked in red (DRAQ5) and cytoskeleton in green 

(Phalloidin). 

 

Figure 2.9: Multiphoton microscopy evaluation of collagen biosynthesis (A) and structure in the inter-

particles regions at (B) 14 days, (C) 20 days and (D) 25 days of in vitro culture. 
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Figure 2.10: H&E staining of the cross-sections of cell/µ-scaffold at (A) 6 h, (B, C) 14 days, (D, E) 20 days 

and (F) 25 days of in vitro culture. The white arrows of figure 2.10C evidenced HDFs creating bridges 

between the opposite pore walls of the inner µ-scaffold porosity. 

As shown, HDFs adhered to the µ-scaffold surface and, after 14 days of culture, proliferated 

and colonized also the inner porosity (compare Figures 2.10A and 10C). The increase of culture 

time up to 20 and 25 days resulted in the almost full cell colonization (Figure 2.10E) and the 

formation of strong bonding between µ-scaffold (Figure 2.10F). Results of MicroCT analysis of 

hybrid tissue composition at different culture times are shown in Figure 2.11 together with a 

representative 3D reconstruction of the samples. The importance of scaffolds porosity on 

fibroblasts colonization, growth and migration is in agreement with previous works on synthetic 

and natural polymeric scaffolding materials [56-58]. 

In agreement with previous data, tissue growth increased from 1.7 ± 2.4% at day 10 to 19.6 ± 

6.2% at day 14 up to 52.8 ± 1.4% at day 25 (Figure 2.11A). These data demonstrated that the final 

bio-hybrid was half composed by tissue, comprising of the cells and the collagenous matrix, and 

half by particles. 
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Figure 2.11: MicroCT evaluation of new tissue v% of the hybrid tissue at different time points (A) together 

with 3D reconstruction of the samples at (B) 10 days and (C, D) 20 days of in vitro culture. (C) Surface and 

(D) cross-section of the hybrid tissue. 

Nowadays, biocompatible µ-scaffold are essential elements of modular TE approaches as they 

have to promote cells adhesion, proliferation and colonization in the entire porosity in order to 

guide cell-seeded modules assembly and hybrid tissue formation [5,59,60]. Porous µ-scaffold can 

be also used as carriers for in vitro cell expansion and proliferation and injectable filler for tissue 

defect repair/regeneration [9,51]. Gelatin is one of the most used µ-scaffold biomaterial for the 

regeneration of tissues such as the dermis [8], liver [61], vascular tissue ring [62], cardiovascular 

tissue [63], and bone [7], among others. Not so far, polysaccharide materials, such as chitosan, 

were used to produce µ-scaffold for 3D cultures of hepatocytes and neurons cells [64,65]. A major 

hurdle to the successful application of naturally derived µ-scaffold is the potential antigenic and 

immunogenic response that can be elicited from its in vivo use [66]. On the contrary, PCL is a 

slowly degradable synthetic biomedical polymer that received the US Food and Drug 
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Administration approval as a drug delivery system and in surgical sutures [26]. PCL fillers were 

also used for dermal and subcutaneous injection to study neo-collagenes is in human tissue for 

wrinkle improvement [27]. The results of this study demonstrated the biocompatibility of prepared 

PCL µ-scaffold and their potential use in modular TE applications, specifically for HDFs culture 

and collagenous tissue formation (Figures 2.8-2.10). Several published works reported the 

capability of PCL scaffolds to support HDFs growth, proliferation and biosynthesis. Recent works 

showed the potential of PCL scaffolds, prepared by electrospinning and gas foaming, to promote 

the growth and proliferation of HDFs up to 21 days in vitro [58,67]. PCL scaffolds were also 

blended with natural polymers, such as collagen [68], gelatin [69], or chitosan [70], as well as 

inorganic fillers to enhance scaffolds hydrophilicity and cellular interaction for wound healing 

purposes [67]. Further bioactivation strategies for PCL scaffolds involved surface 

functionalization by plasma treatment and addition of adhesive protein [71] either loading of 

bioactive molecules and therapeutic agents inside polymeric matrix [72,73]. Although there are 

several works about the fabrication of PCL microparticles for biomedical applications, literature 

regarding the manufacture of porous PCL µ-scaffold and their use as building blocks for HDFs 

culture and hybrid tissue manufacture is scarce. In recent work, Zhou and co-workers reported the 

fabrication of a series of PCL microspheres by combining emulsion/solvent evaporation and 

particle leaching techniques [74]. Microspheres with 57.4-75.5% range of porosity and 25.6-84.0 

µm range of pores size were obtained by adjusting polymer/solvent and porogen (paraffin) amount. 

Further alkaline hydrolysis followed by hydroxyapatite surface coating was carried out to enhance 

the adhesion and growth of HDFs up to 7 days of in vitro culture. In agreement with our results, 

the PCL microspheres supported cell adhesion, proliferation and hybrid tissue formation at already 

5 days of culture. Nevertheless, no information was provided about the effect of porosity 

architecture on 3D cell distribution as well as long-term hybrid tissue growth. The process herein 

described for the preparation of PCL µ-scaffold is valuable from both materials design and 

biomedical applications points of view. Indeed, we showed that µ-scaffold architectural features, 

mainly pore morphology and size, allowed fully cellular growth and colonization on both µ-

scaffold surface and interior (Figures 2.8 and 2.10), overcoming limitations related to 

homogeneous cell distribution and nutrients transport in 3D tissue construct. Furthermore, PCL µ-

scaffold diameter can be finely modulated by the choice of solution composition and QCP pair to 

meet the requirements of different tissues and regeneration therapies involving the application of 
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these samples. The use of a biocompatible and water-soluble porogen (PEO) for µ-scaffold 

fabrication may contribute to these positive biocompatibility results, as it limits the release of toxic 

residues from the polymeric matrix that may affect cell survival and viability. 

2.4. Conclusion 

Porous μ-scaffolds with a rounded shape, controllable size, and full pore interconnectivity were 

prepared in this work by combining fluidic emulsion, porogen leaching, and particle coagulation 

processes. The as-prepared μ-scaffolds have diameters in the range from 119.4 ± 4.6 to 541.8 ± 

13.4 μm, porosity ranging from 64.3 ± 1.3 to 79.8 ± 1.3%, and a mean pore size ranging from 14.1 

± 0.8 to 46.8 ± 3.0 μm. The μ-scaffold were tested in vitro for their capability to support HDF 

adhesion, proliferation, and biosynthesis. Cells adhered to the sample surface, proliferated up to 

five times over the entire culture time, and synthetized new collagenous ECM, which contributed 

to μ-scaffold aggregation even after 5 days of culture, as well as the formation of the hybrid tissue 

made of more than 50% of the new tissue. All of these results are promising for the future 

implementation of the as-prepared μ-scaffolds as building blocks for in vitro modular TE toward 

applications such as dermis and bone repair/regeneration. Challenging aspects of the proposed 

materials are (1) the possible integration of μ-scaffold bioactivation strategies (e.g., bioactive 

molecules/ceramic loading) within the fluidic emulsion process and (2) the control of the cell/μ-

scaffold composition and assembly process to regulate and guide ECM biosynthesis and 

vascularization. 
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Figure S1: 3D reconstruction images of surface and cross-section of PCL µ-scaffold as a function of polymers 

concentration and QCP as obtained by MicroCT analysis. Samples were prepared by setting QDP = 90 µL/min 

and by using 0.5 w/v % PVA solution as coagulation bath at 4 °C for 3h. 
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Figure S2: Pore size distributions of the µ-scaffold as a function of polymers concentration and QCP as 

obtained by MicroCT analysis. Samples were prepared by setting QDP = 90 µL/min and by using 0.5 w/v % 

PVA solution as coagulation bath at 4 °C for 3h. 
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Figure S3: Trabecular thickness distributions of the µ-scaffold as a function of polymers concentration and 

QCP as obtained by MicroCT analysis. Samples were prepared by setting QDP = 90 µL/min and by using 0.5 

w/v % PVA solution as coagulation bath at 4 °C for 3h. 
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Chapter 3 

In vitro microscale engineering of 3D 

vascularized hybrid tissues by micro-

scaffolds patterning and co-culture of 

fibroblasts and endothelial cells 
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PCL µ-scaffolds were successfully fabricated as described in Chapter 2 by using PEO porogen 

agent and by a fluidic oil/water emulsion and particles coagulation process. These PCL µ-scaffolds 

have trabecular architecture with full pores interconnectivity and surface pores size suitable for 

HDFs growth and colonization and, as we will describe in this chapter have been used for the 

fabrication of vascularized hybrid tissue. It’s important to point that these hybrid tissues are not 

engineered for towards specific vascularized tissues, but our aim is to demonstrate to developed 

strategy may allow to control the features of the vasculature of these hybrid tissues (distribution 

and organization of blood vessels) by tuning the design of the array of µ-scaffolds. 

In this part of dissertation and following the μ-scaffolds preparation process in Chapter 2, PCL 

μ-scaffolds with diameter of 450 µm were produced by using 10 w/v% of PCL-PEO solution and 

by selecting QCP of 13 mL/min. Then, PCL µ-scaffolds were assembled onto the surface of PDMS 

moulds obtained by soft-lithography technique. These moulds were provided an array of the pillars 

to control the spatial assembly of PCL µ-scaffolds to form two different kinds of patterned 

monolayers, named ordered and disordered. These monolayers were used as platform for the in 

vitro co-culture of HDFs and HUVECs with the aim to access the effect of patterning on cells 

distribution, ECM biosynthesis and blood vessels formation. This was achieved by using 

characterization techniques such as, micro-CT, histological analysis, confocal and multiphoton 

analysis. Chapter 3 focuses also on the fabrication and characterization of millimetre thick 

vascularized hybrid constructs build by the controlled assembly of two ordered layered samples.   
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3.1. Introduction to micro-scaffolds patterning and modular tissue vascularization 

There is significant clinical demand for de-novo engineered biomimetic tissue-analogues 

capable of substituting the large tissues and complex organs biochemical and biomechanical 

functions. A major obstacle in realizing this goal is the diffusion limit of oxygen and nutrients into 

the bulk of these newly synthesized tissues. In fact, there are several evidences that TE constructs 

exceeding dimensions beyond several hundred micrometers fail to fully integrate with host tissue 

due to lack of blood perfusion, resulting in loss of function and necrosis [1, 2]. Oxygen and 

nutrients are supplied to cells and tissues naturally by the microvasculature, which is composed of 

branching, variable diameter blood vessels. These blood vessels are made of a single layer of 

endothelial cells that mediate both passive and active transport across the vessel wall into the 

surrounding tissue [3]. The lack and/or inadequate growth of such microvasculature inside newly-

engineered tissues lead to inhomogeneous concentration of oxygen and nutrients from the surface 

to the inner part of the tissue. The concomitant accumulation of metabolic wastes into the tissue 

core also lead to tissue necrosis and final cells death. Arguably, one of the greatest challenges in 

engineering clinically relevant tissue analogues, therefore, is the development of proper 

vascularized and viable constructs [4]. 

The mechanisms that control microvascular network assembly and nutrient delivery are 

complex and challenging to recreate in vitro [3]. Tubular vessels created by in vitro seeding 

autologous bone marrow-derived mononuclear cells (BM-MNC) onto biodegradable tubular 

scaffolds allowed to elucidate the roles of the microvasculature in health and disease tissue models 

[3]. Biologically derived or synthetic materials have been used to generate macrovessel tubes [5] 

and endothelialized microtubes [6]; cellular self-assembly has been used to generate random 

microvasculature [7]; microfabrication has been used to define complex geometries in hydrogels 

at the micro-scale [8]; and distributions of cells and biochemical factors within 3D scaffolds [9].  

Several modular approaches have been studied towards the formation of microvascular 

networks in TE constructs. For instance, Kenar et al. fabricated a novel collagen/hyaluronic acid/ 

poly(L-lactide-co-ε-caprolactone) microfibrous scaffold by electrospinning that supports cell 

proliferation and angiogenesis for wound healing applications. Co-culture of HUVECs and MSCs 

induced the formation of interconnected vessels whose total length was 1.6 fold of the total vessel 

length on scaffold made of poly(L-lactide-co-ε-caprolactone) alone [10]. 
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Co-culture of HUVECs and HDFs was also used in modular microspheres-based approaches to 

promote the formation of pre-vascularized dermis equivalent tissue. The endogenous matrix 

produced by HDFs provided the optimal 3D substrate for HUVECs to develop mature capillary-

like-structures as demonstrated by both the inner lumen and the positivity for alpha-smooth muscle 

actin, laminin and collagen. The pre-vascularized dermis model so obtained had a human matrix 

populated by fibroblasts as well as a complex capillary network making the construct ready to be 

implanted [11]. In another work, Zhong et al: engineered bone-like constructs by self-assembly of 

osteon-like modules, obtained by seeding HUVECs onto collagen microspheres populated by 

MG63 osteoblasts and collagenase, and fast degradable gelatin microspheres [12]. Authors 

observed that the direct interaction of osteoblasts and HUVECs promoted the early vascularization 

while the presence of porosity induced by gelatin microspheres dissolution was pivotal for guide 

the later vascularization and osteogenesis of engineered tissue constructs. A similar approach was 

proposed by Liu et al. that prepared a bioinspired 3D Gel-MA hydrogel with dissolvable 

microspheres for the encapsulation and delivery of hMSCs and HUVECs. This 3D system was 

used to investigate whether HMSCs could play a pericytes-like role and enhance 3D 

vascularization [13].  

The previously discussed works have demonstrated that in vitro strategies using modular 

approaches and HUVECS-based co-cultures may allow to improve the process of vascularization 

for newly-engineered tissues in vitro. However, these techniques usually result in the formation of 

randomly organized microvascular networks that may be unsuitable for the regeneration of 

hierarchical structured tissues, like bone. For these reasons, alternative methods to guide the 

growth and spatial development of blood vessels within viable cell/tissue constructs at micro-

metric size scale are needed [4]. Great efforts in this direction have been done by taking advantage 

of advanced techniques, such as soft- and photo-lithography and3D bioprinting, and cell-based 

approaches, where functional capillaries are engineered in cell-laden scaffolds prior to 

implantation. These strategies seek to engineer pre-vascularized tissues in vitro, allowing for 

improved anastomosis with the host vasculature upon implantation, while also improving cell 

viability and tissue development in vitro [4, 14]. 

Wray et al.: We report the fabrication of a silk-based TE scaffold that contains an embedded 

network of porous microchannels. The microchannels were fabricated with rectangular or half-

moon profiles, and variable channel widths and heights were designed to mimic different levels of 
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capillary branching. This platform supports microvascular endothelial cell proliferation and lumen 

formation, a critical step toward development of the functional vascularization, while the porous 

scaffold surrounding the microchannels supports tissue growth by hMSCs. This approach for 

fabricating vascularized TE constructs evidenced again the importance of porosity and controlled 

biodegradability during new tissue formation [3].  

Similar to the previous work, Zheng et al. engineered microvascular network by seeding 

HUVECs into microfluidic circuits formed via soft lithography in a type I collagen gel. The 

microvascular network provided appropriate endothelial morphology and barrier function over two 

weeks in vitro culture and allowed also to investigate angiogenic remodeling, interactions between 

HUVECs and perivascular cells, and interactions between blood components and endothelium 

with flow [15]. Raghavan et al. used microfabricated PDMS templates to spatially arrange 

endothelial cells within collagen gels to promote de novo endothelial cord formation. Authors 

reported that individual endothelial cells organized into capillary tubes after stimulation with 

VEGF and basic fibroblast growth factor (bFGF) over 24–48 h and demonstrated that tube 

diameter can be modulated by both channel width and collagen concentration. This method 

provided a novel tool to generate tubes with branched architecture by designing PDMS templates 

and to spatially organize endothelial cells for tissue engineering applications as well as to 

investigate the basic process of tubulogenesis [16]. 

Microfluidic technology has emerged as a promising tool also for tissue constructs perfusion 

and control of the vascular microenvironment cues in vitro [17-19]. For instance, Cuchiara et al. 

fabricated multilayer, microfluidic, PDMS-PEG hydrogel microdevice capable to 

spatiotemporally control microvascular network self-assembly and persistence. In addition, 

integration of self-assembled microvascular networks with microfabricated channels shifted the 

biomaterial transport regime to vessel-supported convective transport and subsequent extra-

vascular diffusion [19]. 

All of previously reported studies involved the use of PDMS-based lithography techniques 

suitable to obtain nanometer features in the master structure through replica molding. In fact, the 

good moldability, biocompatibility, and optical transparency of the PDMS enable the widespread 

use of lithography-based microfabrication technology in a number of bioengineering fields 

including mechanobiology, microfluidics, and tissue engineering. However, due to its poor cellular 
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interaction and degradability, PDMS devices have limited utility in tissue regeneration and devices 

implantation [20]. 

3D bioprinting of vascular networks with hierarchical structures that resemble in vivo structures 

has allowed blood circulation within thick tissue constructs to accelerate vascularization and 

enhance tissue regeneration [21-23]. Bertassoni et al. reported a 3D micromolding technique 

combined with bioprinted agarose template fibers to fabricate microchannel networks with various 

architectural features within photo cross linkable hydrogel constructs. In particular, GelMA 

hydrogels were used as a scaffolding structure with pre-defined channels to enhance mass 

transport, cellular viability and differentiation within the construct core [24]. In another work, 

bioprinting technique was used to develop an in vitro engineered vascularized bone model to study 

crosstalk between blood vessel morphogenesis and osteogenesis during tissue development. To 

this end, the bone construct was made of a gelatin-nanohydroxyapatite 3D bioprinted scaffold with 

an interconnected pore network and seeded with hMSCs subjected to osteogenic differentiation. 

Furthermore, lentiviral-GFP transfected HUVECs loaded inside fibrin gel were added to the 

construct pores to stimulate the formation of a capillary- like network within the 3D bioprinted 

scaffold [25]. 

These efforts are progressing as new materials, assembly techniques and cell culture methods 

are developed. However, the research in this field is still at the beginning as new advanced 

approaches are required to create 3D tissue constructs with specific size and shape, tailor-made 

cellular composition and distribution as well as blood vessels branching. Furthermore, is a 

particular challenge the creation of these structures inside physiologically relevant extracellular 

matrix components [26]. In this context, this chapter describes a new approach to modularly 

engineer 3D bio-hybrids with specific design and precise cells/ECM organization and vascular 

network organization starting from the PCL µ-scaffolds previously prepared. To this aim, we 

fabricated hybrid vascularized 3D monolayers, in which PCL µ-scaffolds guided the formation 

and organization of an endothelial network within a collagenous matrix produced by HDFs and 

spatially distributed by using patterned moulds obtained by soft-lithography technique. 

Specifically, hybrid vascularized mono-layers constructs were fabricated by using two kinds of 

patterned moulds to obtain ordered and disordered configurations, both involving the co-culture 

of HDFs and HUVECs. Afterwards, thick 3D vascularized hybrid constructs with the 

approximately 1mm dimension were fabricated by the controlled assembly of two ordered layered 
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samples within a pre-designed bonding chamber able to provide the desired alignment of the 

samples and the correct tissue culture and growth in vitro. 

3.2. Experimental part 

3.2.1.Materials  

The materials that we used for the experimental activity are the same that are described in the 

materials section of Chapter 2 (2.2.1). 

3.2.2.Porous polycaprolactone micro-scaffolds fabrication and characterization 

The same procedure and characterization methods were done for the preparation of PCL porous 

µ-scaffolds as reported in Chapter 2 (2.2.2 and 2.2.3). Briefly, PCL µ-scaffolds were fabricated by 

a fluidic oil/water emulsion and particles coagulation process and by using PEO as a biocompatible 

pore-generating material, by selecting PCL-PEO concentration in the 10 w/v% range and QCP of 

13 mL/min. Therefore, µ-scaffolds morphology, pore architecture and diameter distribution were 

evaluated by SEM analysis, MicroCT technique and Image analysis. 

3.2.3. Polydimethylsiloxane patterned moulds design and fabrication by soft lithography 

PDMS moulds were fabricated through micromilling machine (Minitech Mini-Mill/GX, 

Minitech Machinery Corporation, USA) and soft-lithography. First, ordered and disordered 

patterns were designed by Draftsight (version 2018 SP1, Dassault Systems, France) and converted 

into machine G-codes by Deskam 2000 (version 5.1.5.11, Carken Co. Ltd., USA) software. The 

as generated file was then used to prepare polymethylmethacrylate (PMMA, 4 mm ME303020, 

Goodfellow Cambridge Limited, England) master by micromilling machine. Thus, PMMA master 

moulds were replicated in PDMS. To this propose, PDMS 10:1 (precursor: curing agent ratio) 

mixture (Sylgard 184, Dow Corning, USA) was prepared and degassed for at least 20 minutes into 

a vacuum chamber to remove trapped air bubbles. Then, a certain volume of this mixture was 

poured onto the PMMA master and, subsequently, air bubbles were removed by vacuum-degassing 

cycles. PDMS mixture was added to completely fill the replica system hole and flattened by small 

glass slide (1 mm thickness) (10143562, Thermo Fisher Scientific, USA). This system was heated 

in an oven (VC 20, Salvis Lab, Switzerland) at 80°C for 2 hours to thermally cross-link PDMS. 

Consequently, ordered and disordered moulds were disassembled after 24 hours at RT. The 3D 

reconstructions of the as obtained PDMS moulds are shown in (Figure 3.1). 
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Figure3.1: ordered and disordered assembly design and assembly. (a) ordered pattern and assembly of PCL 

µ-scaffolds by using predefined ordered assembly. (b) disordered design and assembly of PCL µ-scaffolds 

on disordered pattern. 

The ordered pattern was provided of two types of pillars. Smaller pillars, with diameter of 200 

µm, were used to control µ-scaffolds positioning as their size fit the hole created by four 450 µm 

adjacent spheres centred in the square configuration. Larger pillars, with dimeter of 500 µm, were 

placed into nine controlled positions to create additional porosity without affecting µ-scaffolds 

alignment. The disordered pattern different from the ordered one for the absence of the smaller 

pillars. As shown in (Figure 3.1), the two moulds allowed the achievement of two PCL porous µ-

scaffolds arrays named, for convenience ordered and disordered. In the ordered monolayers, µ-

scaffolds were placed and maintained in the pre-defined positions by presence of the pillars that 

acted as physical confinement structures as well as by the careful manipulation of materials and 

fluids during in vitro experiments. The correct positioning of the µ-scaffolds was also assayed by 

visual inspection with a stereomicroscope. Regarding the possible effect of PDMS pillars on tissue 

grow and vascularization in the space between µ-scaffolds, we expect that the cylindrical shape of 
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the pillars together with the shape of µ-scaffolds may ensure sufficient space for correct tissue 

development between and/ or around of the PCL µ-scaffolds.  

3.2.4. Fibroblast and endothelial cell culture and expansion 

Biological model was built up by using of HDFs to produce collagen matrix and with co-culture 

of HUVECs to produce a vascular network into the hybrid constructs.HDFs expansion and culture 

were carried out following the same protocols detailed in Chapter 2 (2.2.5). 

HUVECs (GIBCO C0035C) were grown in 150 cm2 polystyrene tissue culture flasks (Corning 

Inc., Corning, NY) after coating with 1% w/v gelatin type A (Porcine Skin (G-2500 sigma)) for 

20 minutes at 37 oC and 5% CO2. VascuLife VEGF medium and Complete Kit (CELLSYSTEM 

LL-0003) was used for the culture of the cells until passage 4. The medium was changed every 

two days until reaching 90 % confluence. Cells were washed three times with Dulbecco’s 

Phosphate Buffered Saline (PBS, Sigma Aldrich, Milano, Italy), and incubated with trypsin-

ethylenediaminetetraacetic acid (EDTA) (0.25% trypsin, 1 mM EDTA; Microtech, Naples, Italy) 

for 5 minutes at 37°C to detach the cells [11]. 

3.2.5. Vascularized hybrid mono-layer constructs fabrication by micro-scaffolds patterning 

onto polydimethylsiloxane moulds and co-culture of fibroblasts and endothelial cells 

µ-scaffolds were sterilized in absolute ethanol for 12 hours at RT and washed three times with 

sterile PBS for 20 minutes. Thus, µ-scaffolds were assembled into ordered and disordered PDMS 

autoclaved moulds. Specifically, µ-scaffolds were precisely placed onto the ordered mould by 

using of stereomicroscope (Olympus SZX16) (Figure 3.1a) in the sterile condition. µ-scaffolds 

were also assembled on the disordered mould (Figure 3.1b). Then, layers whit µ-scaffolds were 

washed three times with the pen/strep (1% v/v) solution and subsequently exposed to UV light for 

1 hour. Therefore, pen/strep (1% v/v) solution was removed, and the layers were covered with 

enriched MEM medium for 48 hours at 5 % CO2 and 37°C. For cell seeding, the layers were 

moved to the 6 multiwell and loaded with 22 ×103 fibroblasts cells, suspended in 200 µL of 

enriched MEM. Cell adhesion occurred after 2 hours and enriched MEM was added up to 1ml. 

Culture medium was changed at day 1 after seeding and then every other day. From the 3th day of 

culture, the culture medium was supplemented with Ascorbic Acid (2-O-a DGlucopyranosiyl-L-

Ascorbic-Acid TCI; Cf: 0.5 mM) to stimulate collagen biosynthesis by HDFs.  
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10 days after HDFs seeding, HUVECs were added for the co-culture. By this way, we expect 

that HDFs grow and biosynthesis resulted in a collagenous matrix almost uniformly distributed 

onto the samples that can act as a supporting natural substrate for HUVECs adhesion, proliferation 

and colonization. To this end, samples were moved into a new 6 multiwell and dried under 

biological hood. Each layer was loaded with 22 ×103 HUVECs, suspended in 200 µL of Vasculife, 

and placed into the incubator at 5 % CO2 and 37°C. After 2 hours, samples were covered with 

Vasculife up to 1ml of final volume. The day after the seeding the medium was replaced with a 

with co-culture medium containing enriched MEM and Vasculife in 2:1 ratio and changed every 

24 hours for 10 days. 

3.2.6. Analysis of monolayer morphology and growth by MicroCT and histology 

Protocol used for the characterization of MicroCt and histology were the same described in 

Chapter 2 (2.2.7), with minor differences. Please refer to this part for experimental details. 

3.2.7. Characterization of cells growth and tissue vascularization by confocal and multiphoton 

analyses 

Ordered and disordered hybrid monolayer were fixed in 4% Paraformaldehyde (P61148-500 g 

Sigma Aldrich) for 30 minutes a RT and washed in PBS. They were then permeabilized using 

0,1% Triton (Triton® X-100 T9284- 100 ML Sigma) in PBS for 5 minutes at RT, washed in PBS 

and blocked in 3% BSA and 3% FBS blocking buffer in PBS for 1 hour at RT. Afterwards, samples 

were stained with Rhodamine Ulex Europaeus Agglutinin I (UEAI Vector Laboratories RL-1062) 

at a final concentration of 20 μg/ml in blocking solution, overnight at 4 °C in the dark, in order to 

mark the human endothelium. The morning after, samples were washed with PBS1X and the actin 

cytoskeleton of all the cells was stained with Phalloidin-488 (Invitrogen, 1:200 diluted in blocking 

buffer) for 40 minutes at RT. Samples were washed with PBS three times and the nuclei were 

stained with HOECHST (Sigma Aldrich, 1:1000 diluted in PBS) for 20 minutes at RT. The 

samples were finally washed three times with PBS and characterized by CLSM (Carl Zeiss, 

Germany) using 10x objective to assess HDFs and HUVECs morphology and distribution. Multi-

photon microscope was used to assay collagen biosynthesis over time. Samples were analysed by 

two-photon excited fluorescence (Leica TCS SP5 II coupled with a Multiphoton Microscope stage 

Chamaleon Compact OPO-Vis, Coherent) to induce second harmonic generation and obtain high-

resolution images of unstained collagen structures. Samples were observed by using λex = 840 nm 



96 
 

(two photons) and λem = 415-425 nm and a 25x water immersion objective (HCX IRAPO L 25.0, 

0.95 Water, n.a. 0.95). Besides, Image analysis was used to quantify the density of collagen matrix 

in the hybrid mono-layers regions. The Collagen density was defined as the percentage of the ratio 

between bright pixels to total pixels in the selected regions.  

Volume fraction of blood vessels was calculated in as percentage of the ratio between the 

thresholded red volume of the endothelium marked by Rhodamine-UEAI and the total volume of 

the sample acquired for each stack. The volume values were obtained applying the ImageJ plugin 

Measure Stack to the red thresholded channel and to the total volume of tissue acquired [11]. 

𝐵𝑙𝑜𝑜𝑑 𝑣𝑒𝑠𝑠𝑒𝑙 𝑣𝑜𝑙𝑢𝑚𝑒 𝑓𝑟𝑎𝑐𝑡𝑖𝑜𝑛 =
𝑎𝑐𝑞𝑢𝑖𝑟𝑒𝑑 𝑏𝑙𝑜𝑜𝑑 𝑣𝑒𝑠𝑠𝑒𝑙 𝑣𝑜𝑙𝑢𝑚𝑒

𝑎𝑐𝑞𝑢𝑖𝑟𝑒𝑑 𝑠𝑎𝑚𝑝𝑙𝑒 𝑣𝑜𝑙𝑢𝑚𝑒
× 100 

3.2.8. Collagen biosynthesis evaluation by second harmonic generation test 

The orientations of collagen biosynthesis were measured by using the plugin OrientationJ of 

ImageJ. The local orientation and isotropic properties (coherency and energy) of every pixel of the 

image evaluated by the plugin. The following parameters defined: Gaussian window r 1 pixel, Min 

Coherency 20%, Min Energy 2%. The plugin also outputs a distribution of the collagen alignment 

directions and blood vessels. These distributions were normalized to attain a normal distribution 

and compare collagen alignment in different point of the hybrid monolayers [11]. 

3.2.9. Fabrication of vascularized hybrid bilayer constructs by monolayers assembly and 

bonding into de-novo designed culturing chamber 

After 10 days of co-culture, two hybrid ordered monolayers were removed from PDMS moulds 

and hybrid bilayer constructs were fabricated by using the bonding chamber. In the first stage, 

bonding chamber is made by two parts: PDMS-based and polytetrafluoroethylene (PTFE)-locks. 

PDMS-based with external cornering and two large pillars were designed for layers alignment and 

fabricated following the process of (3.2.3) (Figure 8a-c). PTFE-locks were designed and fabricated 

by µ-milling machine of PTFE to guarantee large pores preservation during the assembly of the 

contacting layers and consequently maintain open porosity in the bilayer constructs (Figure 3.2). 

PTFE is a good choose to fabricate the top portion of device has it is stiff enough to fabricate 

pillars with length/diameter higher than 2 and to limit possible cells and ECM adhesion.  
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 Monolayers were then assembled into the PDMS support mould with precisely controlling the 

assembly of each monolayer with PTFE-locks for layer contacting and preserve open porosity 

(Figure 3.3). Thus, Hybrid bilayers were removed from assembly system and some of these 

samples were fixed after 5 days bonding and others were leave 7 days more to investigate the 

evolution of the endothelial network and hybrid construct structure (Figure 3.3). 
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Figure 3.2. PDMS and PTFE moulds for fabrication of bilayers. PDMS-based for controlling the assembly 

of monolayers and layers contacting to form hybrid bilayer construct. PTFE-locks for closing the system 

and maintain the open porosity for fabrication of the hybrid bilayer.  

 

Figure3.3: Fabrication of hybrid bilayers. (a), hybrid bilayer with closed system and supported PDMS 

modules during the culturing time. (b), hybrid bilayer after removing from fabrication devices. (c), lateral 

side of hybrid bilayer. 
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3.2.10. Analysis of bilayer constructs morphology and growth by MicroCT and histology 

Protocol used for the characterization of MicroCt and histology were the same described in 

Chapter 2 (2.2.7), with minor differences. Please refer to this part for experimental details. 

3.2.11. Characterization of cells growth, and tissue vascularization by confocal and 

multiphoton analyses 

Hybrid bilayers were fixed in 4% Paraformaldehyde (P61148-500 g Sigma Aldrich) for 30 

minutes a RT and washed in PBS. They were then permeabilized using 0,1% Triton (Triton® X-

100 T9284- 100 ML Sigma) in PBS for 5 minutes at RT, washed in PBS and blocked in 3% BSA 

and 3%FBS blocking buffer in PBS1X for 1 hour at RT. Afterwards, samples were stained with 

Rhodamine Ulex Europaeus Agglutinin I (UEAI Vector Laboratories RL-1062) at a final 

concentration of 20 μg/ml in blocking solution, overnight at 4 °C in the dark, in order to mark the 

human endothelium. The morning after, samples were washed with PBS1X and the actin 

cytoskeleton of all the cells was stained with Phalloidin-488 (Invitrogen, 1:200 diluted in blocking 

buffer) for 40 minutes at RT. Samples were washed with PBS three times and the nucli were 

stained with HOECHST (Sigma Aldrich, 1:1000 diluted in PBS) for 20 minutes at RT. The 

samples were finally washed three times with PBS and characterized by CLSM (Leica TCS SP5 

II, Wetzlar, Germany) using 4x and 10x objectives to assess HDFs and HUVECs morphology and 

distribution. Multi-photon microscope was used to assay collagen biosynthesis over time. Samples 

were analysed by two-photon excited fluorescence (Leica TCS SP5 II coupled with a Multiphoton 

Microscope stage Chamaleon Compact OPO-Vis, Coherent) to induce second harmonic 

generation and obtain high-resolution images of unstained collagen structures. Samples were 

observed by using λex = 840 nm (two photons) and λem = 415-425 nm and a 25x water immersion 

objective (HCX IRAPO L 25.0, 0.95 Water, n.a. 0.95). Besides, Image analysis was used to 

quantify the collagen fraction in the inter-µ-scaffolds regions. The Collagen Fraction (v%) was 

defined as the percentage of the ratio between bright pixels to total pixels in the selected regions. 

The volume fraction of blood vessels for bilayers were calculated with the same method as reported 

for monolayers (3.2.7). 

3.2.12. Collagen biosynthesis evaluation by second harmonic generation test 

The collagen biosynthesis of the bilayers was evaluated following the same procedures used for 

the monolayers. Please refer to the (3.2.8) part for technical details. 
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3.2.13. Statistical analysis of data 

The statistical significance of the results was assessed by one-way analysis of variance 

(ANOVA) and Tukey post-hoc test at the significance level p < 0.05. 

3.3. Results and discussion 

• Monolayers 

3.3.1.Micro-scaffolds morphology and pore structure features 

In the first part of this chapter, PCL porous µ-scaffolds with the diameter of 450 µm were 

fabricated by optimizing the fluidic emulsion conditions, namely 10% PCL-PEO solution, QDP and 

QCP set to 90 µl/min and 13 mL/min (Chapter2). Figure 3.4 shows the morphology of the surface 

and cross-section of the µ-scaffolds as assessed by SEM analysis, together with 3D reconstruction 

of the µ-scaffolds structure and the inner pore size and trabecular size distributions obtained by 

Micro-Ct analysis. As shown in (Figures 3.4a and 3.4b), obtained µ-scaffolds SEM have spherical 

shape and full pores opening (Figure 3.4c, high magnification). Besides, the cross-section image 

of (Figure 3.4d) evidenced that PCL µ-scaffolds were characterized by highly interconnected 

trabecular architectures, similar to the results reported in the previous chapter (Chapter 2). MicroCt 

analysis confirmed the SEM results (Figures 3.4e and 3.4f) and also show that the mean pore size 

and pore wall thickness were 45±20 µm and 19.3±5.4 µm, respectively (Figures 3.4g, h). Based 

on the previous results, we expect that these samples are suitable to promote and guide cell 

adhesion, colonization, and ECM biosynthesis towards functional hybrid tissue development. 
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Figure3.4: SEM of the surface of PCL/PEO 40/60 (%v/v) sample (after the dissolution of the PEO phase, 

the presence of small droplets of PEO, which are entrapped inside the PCL phase. Magnifications (scale 

bar: 20μm) (A), SEM image of PCL/PEO porous micro-beads after ultrasound exposure showing a porous 

structure with enhanced porosity, magnifications (scale bar: 100 μm) (B), high magnification SEM images 

of the cross section of PCL µ-scaffolds (C). MicroCT reconstruction and pore size distribution of PCL µ-

scaffolds (D). 
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3.3.2. Monolayer constructs morphology, composition and vascularization 

In this chapter we fabricated hybrid monolayers by assembly of µ-scaffolds into ordered and 

disordered PDMS moulds and by seeding HDFs and HUVECs on the top of monolayer arrays. 

The evolution of tissue formation into the ordered and disordered hybrid monolayers were 

monitored by MicroCt analysis. Figure 3.5 shows the MicroCt analysis of hybrid monolayers after 

10 days of HDFs and HUVECs co-culture, with a representative 3D reconstruction and cross-

section of ordered and disordered hybrid layers. 3D reconstruction of upper- and lower-part of the 

ordered monolayer are shown in Figures 3.5a, and b, respectively. Instead, Figures 3.5c, d show 

the upper- and lower-part of the disordered monolayer. In both conditions, cells were able to 

assemble and develop a unique and compact tissue. In spite of this, the tissue grew regularly 

according to the ordered design and around the porosity of structure compare to disordered layer 

(Figures 3.5b, d). More importantly, in the case of ordered array, the position of the µ-scaffolds 

describes highly aligned and straight pores. On the contrary the random configuration was 

characterized by high tortuosity and variable pore size, finally resulting in heterogeneous 

vascularization. Furthermore, the cross-section images of the ordered and disordered layers (Figure 

3.5e, f), revealed the formation of strong bonding between µ-scaffolds into the tissue layer thanks 

to the presence of growing cells producing ECM. Most importantly, the comparison between two 

monolayers evidenced that the ordered array produced a uniform square sample (Figure 3.5a). 

Conversely, the disordered array resulted in a deformed and irregular shape. This effect is 

dependent to the presence of zones with wide µ-scaffolds spacing (Figures 3.1b) and due to the 

absence of small pillars. 

Figure 3.6 shows the percentage of tissue growth (cells and matrix) of ordered and disordered 

monolayers evaluated by MicroCt analysis. These data demonstrated that the ordered monolayer 

was composed by a tissue percentage of 57±0.5 % and the disordered monolayer of 54±2.5 %, 

without statistically relevant differences. 
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Figure3.5: MicroCT analysis of new tissue of the hybrid monolayers. 3D reconstruction of the ordered 

sample: upper side (a), and lower side (b). 3D reconstruction of the disordered sample: upper side (c), and 

lower side (d). Cross-section of the hybrid monolayer: ordered (e) and disordered (f). 
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Figure3.6: MicroCT evaluation of new tissue v % of the ordered and disordered hybrid monolayers. 

In agreement with previous results, cell colonization into the hybrid monolayers was assessed 

by histology analysis. Figure 3.7 shows the histology analysis of hybrid monolayers. Cells adhered 

to the µ-scaffolds surface and porosity, proliferated, and colonized the inner part of µ-scaffolds to 

form hybrid layers. These results clearly demonstrated the presence of cells and matrix into and 

around the µ-scaffolds in the ordered (Figures 3.7a, b), and disordered (Figures 3.7c) monolayers, 

used to guide cell-seeded modules assembly and hybrid tissue formation. However, the more 

regular spacing among the µ-scaffolds in the ordered array may allow the formation of a more 

uniform cells and tissue in the sample. 
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Figure3.7: H&E staining of the cross-sections of hybrid monolayers. (a, b), ordered. (c), disordered. 

The evolution of the cell distribution and endothelial network onto the hybrid monolayers were 

monitored by confocal imaging (Figures 3.8 and 3.9). In these figures, cytoskeleton, blood vessels 

and nuclei were highlighted by green, red, and blue colours respectively. These results revealed 

that HUVECs were able to form capillary like structures onto the monolayers. As shown in 

(Figures 3.8 a-d), lower side and upper side (Figure 3.8e-h) of ordered monolayers, cells 

distributed homogeneously onto the ordered design. More importantly, blood vessels were almost 

confined around the large pillars and between µ-scaffolds (Figure 3.8b). These results 

demonstrated that blood vessels grew more on the upper side than the lower side. However, the 

organization of blood vessels was more regular on the lower side comparing to upper side. 

As shown in (Figures 3.9 a-d), onto the lower side of disordered monolayer, cells distributed 

heterogeneously and consequently, blood vessels formed randomly according to the design. 

Similarly, blood vessels observed in the lower side of the disordered layer were less organized 

than the upper. 
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Figure3.8: CLSM images showing the morphology and colonization of HDFs and HUVECs into the ordered 

monolayers. (a-d), lower side. (e-h), upper side. The actin cytoskeleton is marked in green (Phalloidin-488), 

Nuclei are marked in blue (HOECHST), and blood vessels in red (UEAI). 

 

Figure3.9: CLSM images showing the morphology and colonization of HDFs and HUVECs into the 

disordered monolayers. (a-d), lower side. (e-h), upper side. The actin cytoskeleton is marked in green 

(Phalloidin-488), Nuclei are marked in blue (HOECHST), and blood vessels in red (UEAI). 
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Moreover, the volume fraction of blood vessels of the monolayers was evaluated (Figure 3.10). 

Specifically, these data were obtained by means of quantitative z-stacks analysis and the results 

indicated the blood vessels on the upper side were more than lower side on the both monolayers. 

Most probably, this result was related to the side of cell seeding and therefore, can be overcome 

by performing cell seeding before µ-scaffolds arrangement in the layers. Besides, the lower side 

of monolayers were contacting to the PDMS moulds and the diffusion of nutrients and oxygen 

were less than upper side of monolayers. Therefore, cells distribution and blood vessels formation 

were less than upper side. Indeed, cells manly formed capillary-like structures on the side of cell 

seeding and then sprouted into the layer coming up to the opposite side of the sample. Furthermore, 

we observed that the upper side of ordered layer was significantly more vascularized than the 

disordered monolayer. Considering that monolayers thickness was about 500 µm and CLSM depth 

analysis was about 200 µm, the measure values of (Figure 3.10), referred to about half of the 

samples thickness. 

 

Figure3.10: Image analysis of vessels volume fraction (%) on the monolayers. 

To better visualize blood vessels, we took advantage of 3D sample view obtained by confocal 

analysis. The images in (Figure 3.11) show pieces of the forming of 3D blood vessel network into 

the monolayers. Results demonstrated that the upper side of both the ordered and disordered 

monolayers was fully vascularized (Figures 3.11a, c). However, the distribution of blood vessels 
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into the disordered layer was less homogenous than the ordered monolayer. In agreement with 

CLSM analysis, these results confirmed that in the lower side of the ordered design the blood 

vessels were homogenously distributed in the space between µ-scaffolds and around the pillars 

(Figure 3.11b). However, no regular blood vessels patterning was observed in the case of the lower 

side of disordered monolayer (Figure 3.11d). 

 

Figure3.11: Confocal analysis show the pieces of 3D views of blood vessels formation on monolayers. (a, 

b), upper and lower side of the ordered layer, respectively. (c, d), upper and lower side of disordered layer, 

respectively. HUVECs are marked in red by Rho-UEAI. 

Cell distribution and blood vessels formation in the inner part of monolayers were obtained by 

fluorescence analysis of the monolayer sections (Figure 3.12). These results revealed that blood 

vessels were able to grow into both ordered (Figure 3.12b) and disordered (Figure 3.12f) 
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monolayers. However, blood vessels better penetrated the inner part of the µ-scaffold onto the 

ordered than disordered monolayers. The blood vessel volume fraction was evaluated by ImageJ 

analysis (Figure 3.12i). These data confirmed that the volume fraction of blood vessels in the 

ordered monolayer section was higher (6.3±1.2 %) than the disordered monolayer (5.3±0.5 %), 

even if this difference was not statistically significant. Most probably, the absence of statistical 

difference may be related to the presence of abundant capillary structures in the external part of 

the scaffolds in both conditions.  

 

Figure3.12: Fluorescence analysis showing the blood vessels formation in the inner part of monolayers 

obtained by CLSM. (a-d), ordered monolayers (e-h), disordered monolayers (i), volume fraction of blood 
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vessels on monolayer sections. The actin cytoskeleton is marked in green (Phalloidin-488) (a, e), blood 

vessels in red (UEAI) (b, f) and nuclei are marked in blue (HOECHST) (c, g), merge (d, h). 

3.3.3. Collagen amount and density of monolayer constructs 

To correlate the role of ECM on blood vessels growth, we evaluated collagen and blood vessels 

organization in the monolayers (Figures 3.13 and 3.14) by SHG and confocal imaging. The images 

in (Figures 3.13a, b) of lower side and upper of the ordered monolayers, respectively showed that 

blood vessels were totally embedded into the ECM rich in collagen produced by HDFs (gray). 

More importantly, the graphs (red), showed that blood vessels have the same orientation of 

collagen (black), indicating the guidance role of collagen fibres on blood vessels growth, following 

the geometric design of the layer. As shown in (Figures 3.14a, b), similar results were found for 

disordered monolayers. Indeed, both the ordered and disordered design contained large pillars 

around which the cells developed an oriented tissue. Herein, fibroblasts organized themselves and 

produced the matrix around the large pillars that entirely crossed monolayers thickness. It is 

therefore evidenced that the circular section of the pillars acted as a physical guidance for cells 

and ECM orientation and therefore also the blood vessels grew following this pattern. 
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Figure3.13: SHG signal of collagen in gray and blood vessels in red of the ordered monolayer. The graphics 

of the orientation of blood vessels (red) and ECM (black) were obtained by OrienationJ. (a), lower side. 

(b), upper side. (The dashed yellow rectangles indicate the analysed region, such as the pieces of big hole 

in the ordered monolayer). 
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Figure 3.14: SHG signal of collagen in gray and blood vessels in red of the disordered monolayer. The 

graphics of the orientation of blood vessels (red) and ECM (black) were obtained by OrienationJ. (a), lower 

side. (b), upper side. (The dashed yellow rectangles indicate the analysed region, such as the pieces of big 

hole in the disordered monolayer). 

Second harmonic generation analysis of the collagen fibres into the monolayers acquired by 

multiphoton microscopy evidenced that the percentage of collagen density deposited by HDFs 

(Figure 3.15). These data showed that the density of collagen matrix was almost the same in all 

the condition and side of the sample without statistically relevant differences.  
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Figure3.15: Multiphoton microscopy evaluation of collagen density (%) into the monolayers. 

3.3.4. Monolayers discussion 

In the first part of this study, we developed a new strategy to evaluate ECM and vascularization 

inside the hybrid monolayer with ordered assembly of µ-scaffolds and compare to disordered 

monolayer. We utilize spatially arranged of the two micropillars to control the assembly of µ-

scaffolds and fabrication of vasculature hybrid monolayers. Micropillars play two roles in the 

patterns: providing a specific position for each µ-scaffolds with controllable geometry and 

preventing the cells and matrix from shrinking (small pillars) and providing the additional porosity 

(large pillars). Pervious literature results showed that PCL scaffolds preprepared with nonporous 

microspheres following an ordered pattern improved blood vessel penetration and vasculature if 

compare to random scaffolds after in vivo implantation [27]. In our study, disordered monolayers, 

cells, and blood vessels were heterogeneously distributed onto the lower and upper side of the 

hybrid tissue. In contrast, ordered pattern provide a preformed, definite space between each µ-

scaffolds that regulated cells and blood vessels growth homogenously onto the upper and lower 

sides of the samples. These results correspond with previous studies in which randomly distributed 

blood vessels into the disordered assembly of µ-scaffolds hybrid tissues [11-13], vs organization 

of blood vessels into the ordered design [28-31]. Following the previous literature work, ANOVA 

statistical tests showed no significant statistical difference between ordered and disordered hybrid 

tissue in the case of vascularization [27]. However, the ordered implants showed better internal 
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vascularization compare to the disordered ones and statistical significance [27]. This finding is in 

correspond to the response of our architectural of ordered and disordered arrays. In this study we 

used HUVECs since their ability to form blood vessels in co-culture with fibroblasts has been well 

documented in the literatures [32, 33], they have been used in co-culture in several in-vitro models. 

The optimal process of co-culture with HDFs and HUVECs allowed the production of strong 

bonding into 3D hybrid tissue is widely described in literatures [34, 35]. In this context, 20 days 

of co-culture could be sufficient for formation of bonding into hybrid tissues. In this optimal 

condition, HUVECs were sprouted and growth without observing any regression [11]. For both 

ordered and disordered arrays we found that tissue (cell, ECM and blood vessels) growth was 

enhanced on the upper side compared to the lower side. This effect is related to the fact that in the 

lower side the tissue growth in contact with PDMS, having less free space to grow and reduced 

nutrients and oxygen availability. However, the planar geometry of the samples with reduced 

thickness (500 µm approximately) resulted in the absence of any visible necrotic zone in the 

samples. Previous literature works highlighted the significant biochemical and biomechanical role 

of ECM components on blood vessels growth, development, and stability [36, 37]. In our samples 

µ-scaffolds spatial distribution and porosity guided the distribution and grow of cells collagen and 

vasculature. Furthermore, in agreement with previous studies, we found that the organization of 

collagen fibres controlled cellular alignment and blood vessels orientation [11, 20, 28-29].  

• Bilayers 

3.3.5. Bilayer constructs morphology, composition, proliferation and vascularization 

Hybrid bilayer were fabricated by assembling two ordered monolayers onto the PDMS mould 

closed by the PTFE-locks. These samples were then investigated in two different time points: 5 

days and 7days of assembly. The evolution of tissue formation into the bilayers was monitored by 

MicroCt analysis. Figure 3.16 shows the MicroCt analysis of bilayer after 5 days bonding, with a 

representative 3D reconstruction, lateral side, and cross-section of bilayers. 3D reconstruction of 

upper- and lower-part of 5 days bonding is shown in Figures 3.16a, and b, respectively. These 

results demonstrated that cells were able to assemble and develop a unique and compact tissue to 

form bilayers. In addition, the lateral side and cross-section images of the bilayers (Figures 3.16c, 

d), revealed the formation of strong bonding between two monolayers into the tissue bilayers 

thanks to the presence of growing cells producing ECM. In addition, the linkage between two 



115 
 

monolayers shows that layers connected each other after 5 days of bonding (Figure 3.16d). 

However, the linkage of these two layers was not complete after 5 days of bonding and there was 

some open space between layers. 

 

Figure3.16: MicroCT analysis of the bilayer after 5 days bonding. 3D reconstruction of the bilayer: 

upper side (a), and lower side (b). lateral side (c). Cross-section (d). 

Figure 3.17 shows the MicroCt analysis of bilayer after 7 days growth, with a representative 3D 

reconstruction, lateral side, and cross-section. 3D reconstruction of upper- and lower-part of 7 days 

growth are shown in Figures 3.17a, and b, respectively. These results demonstrated that cells were 

able to assemble and develop a unique and compact tissue to form bilayers., similarly as seen after 

5 days. In addition, the lateral side and cross-section images of the bilayers (Figures 3.17c, d), 

revealed the formation of strong bonding between two monolayers into the tissue bilayers thanks 

to the presence of growing cells producing ECM. Moreover, the linkage between two monolayers 

shows that they were almost completely fused after 7 days of growth (Figure 3.16d).  
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Figure3.17: MicroCT analysis of new tissue of the bilayers after 7 days bonding. 3D reconstruction 

of the bilayer: upper side (a), and lower side (b). lateral side (c). Cross-section (d). 

Figure 3.18 shows the percentage of tissue growth (cells and matrix) of bilayers after 5 days 

bonding and 7 days growth, evaluated by MicroCt analysis. These data demonstrated that the 

bilayers at 5 days bonding were composed by a tissue percentage of 63±1.9 % and at 7 days growth 

of 72±2.5 %, with a statistically relevant increase over time.  

In agreement with previous results, cell colonization into the bilayers were assessed by 

histology analysis. Figure 3.19 shows the histology analysis of bilayers at 5 days bonding and 7 

days growth (low and high magnification). Cells grew up and colonized in the inner part of the 

bilayer obtained by assembling two ordered monolayers. These results clearly demonstrated the 

presence of cells and matrix into the bilayer at both 5 days of bonding (Figures 3.19a-c), and 7 

days growth (Figures 3.19d-f). In addition, cell-cell and cell-ECM interactions at 7 days growth 

were more enhanced than 5 days bonding. These results confirmed the MicroCt analysis (Figure 

3.16d and 3.17d) that showed the formation of strong bonding between two monolayers into the 

bilayers at day 7 growth. 
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Figure3.18: MicroCT evaluation of the tissue volume fraction v % of the hybrid layers at 5 days 

bonding and 7 days growth. 
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Figure3.19: H&E staining of the cross-sections of the bilayers. (a-c), 5 days bonding. (d-f), 7 days 

bonding. Low and high magnification. 
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The evolution of the cell distribution and endothelial network formation onto the bilayer were 

monitored by confocal imaging (Figures 3.20 and 3.21). In these figures, the actin cytoskeleton, 

blood vessels and nuclei were highlighted by green, red, and blue colours respectively. These 

results revealed that HUVECs were able to form capillary like structures onto the bilayers. As 

shown in (Figures 3.20a-d), lower side and upper side (Figure 3.20e-h) of bilayers at 5 days 

bonding, cells distributed onto the entire surfaces of the bilayer. More importantly, blood vessels 

specifically organize themselves around the large pillars and µ-scaffolds (Figure 3.20b). These 

results demonstrated that blood vessels grew up more on the upper than the lower side, similarly, 

as observed for the monolayers.  

 

Figure3.20: CLSM images showing the morphology and colonization of HDFs and HUVECs co-culture 

cells on the bilayers at 5 days bonding. (a-d), lower side. (e-h), upper side. The actin cytoskeleton is marked 

in green (Phalloidin-488), Nuclei are marked in blue (HOECHST), and blood vessels in red (UEAI) and 

merge. 

Figures 3.21a-d shows the lower side of bilayer at 7 days growth. Images demonstrate that after 

7 days the cells occupied the space left by the large pillars and visible as a hole at the previous 

time point. In addition, lower side show less than blood vessels comparing with the upper side of 

bilayer at 7 days growth, similarly as observed for the monolayer.  
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Figure3.21: CLSM images showing the morphology and colonization of HDFs and HUVECs co-culture 

cells on the bilayers at 7 days bonding. (a-d), lower side. (e-h), upper side.  The actin cytoskeleton is marked 

in green (Phalloidin-488), Nuclei are marked in blue (HOECHST), and blood vessels in red (UEAI) and 

merge. 

Moreover, the volume fraction of blood vessels of the bilayers was evaluated (Figure 3.22). 

Specifically, these data were obtained by means of quantitative z-stacks analysis and the results 

indicated the blood vessels on the upper side were more abundant than lower side both after 5 days 

bonding and 7 days growth. As expected, the upper side at 7 days growth was more vascularized 

than 5 days bonding and they are significantly different. 
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Figure3.22: Image analysis of vessels volume fraction (%) on the bilayers at 5- and 7-days bonding. 

Cell distribution and blood vessels formation in the inner part of bilayers were obtained as 

shown by confocal analysis of 20 µm thick bilayer sections (Figure 3.23). These results revealed 

that blood vessels were able to grow up into the 5 days bonding (Figure 3.23b) and 7 days growth 

(Figure 3.23f). In addition, blood vessels were more abundant at 7 days growth than 5 days 

bonding. The blood vessels volume fraction was evaluated by ImageJ analysis (Figure 3.23i). 

These data confirm that the volume fraction of blood vessels in the inner part of bilayers were 

enhanced with increasing the culture time. As discussed for the monolayers, also in the case of 

bilayers CLSM results have to be analysed tacking into the account the 200 µm depth of the 

technique. In fact, the higher thickness of the bilayers (1 mm ca.), do not allowed the calculation 

of vascularization in the entire sample thickness but limit this measurement to the surfaces.  
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Figure3.23: CLSM analysis showing blood vessels formation in the inner part of bilayers. (a-d),5 days 

bonding. (e-h),7 days bonding. (i), volume fraction of blood vessels in the inner part of bilayers. for the 

actin cytoskeleton is marked in green (Phalloidin-488), Nuclei are marked in blue (HOECHST), and blood 

vessels in red (Rho-UEAI). nuclei (DAPI), merge. 

3.3.6 Collagen amount and density into bilayer constructs 

To correlate the role of ECM on blood vessels growth, we evaluated collagen organization and 

blood vessels in the bilayers (Figures 3.24 and 3.25) by SHG imaging. The images in (Figures 
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3.24a, b) of lower side and upper of the bilayers at 5 days bonding, respectively showed that blood 

vessels were totally embedded into the ECM rich in collagen produced by HDFs (gray). More 

importantly, the results showed that blood vessels (red) and collagen (black) followed similar 

orientation, indicating the guidance role of collagen fibres on blood vessels growth, both following 

the geometry of the original design of the mould used for the assembly. 

 

Figure3.24: SHG signal of collagen in gray and blood vessels in red of the bilayers at 5 days bonding. The 

graphics of the orientation of blood vessels (red) and ECM (black) were obtained by OrienationJ. (a), lower 

side. (b), upper side. (The dashed yellow rectangles indicate the region of interest analysed with 

OrientatioJ). 

As shown in (Figures 3.25a, b), similar results were found for bilayers at 7 days growth, despite 

cell colonization and closure of the big hole left by the pillars into the tissue. 
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Figure3.25: SHG signal of collagen in gray and blood vessels in red of the bilayers at 7 days bonding. The 

graphics of the orientation of blood vessels (red) and ECM (black) were obtained by OrienationJ (a), lower 

side. (b), upper side. (The dashed yellow rectangles indicate the region of interest analysed by OrientatioJ). 

Second harmonic generation pictures of the collagen fibres of the bilayer acquired by 

multiphoton microscopy analysis evidenced the percentage of collagen density deposition by the 

HDFs (Figure 3.26). These data showed that the density of collagen matrix was very similar in all 

the conditions. 
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Figure3.26: Multiphoton microscopy evaluation of collagen biosynthesis of the monolayers 

3.3.7 Bilayer discussion 

In the second part of this study, thick vascularized bilayer constructs were built by the controlled 

assembly of two ordered monolayers. This was obtained by designing a bonding chamber is made 

of a PDMS-base suitable for monolayers alignment and PTFE-locks to maintain open porosity in 

the bilayer constructs. To achieve the final goal, the effect of culture time on the ECM and blood 

vessels growth onto the surface and inner part of the bilayers, were examined. There are recently 

reported works aiming to develop highly organized blood vessels in vitro engineered tissues [38-

41]. For instance, mathematical modelling was used to demonstrate the importance of aligned 

channels on oxygen and nutrients transportation along the length of scaffold and finally on blood 

vessels formation and cell viability [42]. This virtual design was confirmed by another work where 

different regularly oriented micro-channels were produced by electrochemical replica deposition 

inside chitosan scaffolds to stimulate vascularization [40]. In our study, we used previous prepared 

ordered monolayers to build up to 1mm thick viable vascularized tissue constructs. Furthermore, 

the constructs were provided of nine aligned pores passing through the entire section for oxygen 

and nutrient transportation and metabolic wastes into the bilayer core. The results of formation 
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tissue of the bilayers characterization correspond with previous studies in which thick 

prevascularized tissues with highly organized in-built microvascular networks were fabricated [38-

42]. In addition, the quantitative analysis of tissues formation was increased with increasing of 

culture time. 

Here we showed the quantitative analysis of vessels volume fraction were increased of the upper 

and lower side of bilayers from 5 days bonding to 7 days growth and they were always higher into 

the upper side than lower side. Previous papers reported a similar behavior of co-culture with 

HDFs and HUVECs [11, 43]. Recent study was developed a multiple-micropillar system and 

designed micropillar array patterns to creation lung microtissues. They found that cells compact 

ECM freely along the micropillar height but such compaction in the horizontal plane is restricted 

by micropillar-defined boundary conditions, leading to the formation of thin, membranous 

microtissues [20]. Similar to that result and regardless of increasing culture time, we showed that 

the formation of tissue and blood vessels, at 5 days of bonding were less than 7 days growth, 

probably due to the precent of the chamber device at 5 days bonding. We observed that dense 

collagen network formed onto the bilayers and onto the large hole of the hybrid tissue after 7 days 

growth. On the other hand, histology analysis showed that cells and ECM grew also at the interface 

between the monolayers creating a strong bonding between them. Furthermore, SHG imaging 

characterization of collagen showed the increase of collagen density over culture time and 

confirmed blood vessels grow along fibre direction. These results correspond with previous studies 

in which, collagen fraction and collagen assembly degree were significantly increased with 

increasing of culture time and were resembled with organization of blood vessels [11, 43]. 

3.4. Conclusion 

The present work fabricated the complex vascularized hybrid tissues obtained in vitro by a new 

strategy in TE bottom-up approach. For this purpose, in the first step, the monolayers were 

fabricated by controlling the assembly of µ-scaffolds by using the soft-lithography techniques and 

HDFs-HUVECs co-culture system. In particular, we fabricated two monolayers named ordered 

and disordered to evaluate tissue, blood vessels, ECM formation, and cell distribution onto these 

monolayers. The results for assessing the utility of geometric control demonstrated that in contrast 

to the ordered monolayers, disordered monolayers were randomly organized blood vessels, 

especially onto the lower sides. Secondly, we successfully engineered the thick hybrid tissue by 

controlling the assembly of two ordered monolayers. Thus, further investigations on bilayers were 



127 
 

performed to assess constructs morphology, composition, and blood vessels. These findings 

demonstrate the importance of controlling the assembly of building blocks on vascular 

architecture. Moreover, our approach provides a unique strategy to control the assembly of 

monolayers and, consequently, engineer vascular architecture. The future perspective will focus 

on developing the cell seeding methods for forming more homogenous cell distribution and blood 

vessels in both sides of layers. The other possibility would be to investigate the 3D blood vessel 

network formation of the entire bilayers' inner part by confocal analysis.  
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Conclusions  
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Over the last decade, there has been an impressive advancement on µ-scaffolds and strategies 

for bioengineer functional tissues and organs in vitro and in vivo. In this regard, bottom-up 

approaches based on the assembly of modular building blocks are, nowadays, the most promising 

and used approaches. However, controlling the assembly of modular unit into ordered predefined 

geometry is still challenging and require technological advancement and innovation. 

In this work we demonstrated that porous µ-scaffolds can be designed having a biomimetic 

trabecular architecture and, modularly assembled into predefined pattern to guide the spatial 

composition and organization of the de-novo synthesized cell/ECM construct. 

In the first stage of this study, PCL porous µ-scaffolds with new morphology were successfully 

fabricated by a fluidic oil/water emulsion and particles coagulation process and by using PEO as 

a biocompatible pore-generating agent. The as obtained µ-scaffolds have spherical shape, 

complete pore interconnectivity, narrow diameter distribution and mean diameter easily 

controllable by adjusting the composition of the polymeric solution and the flow rate of the 

continuous phase. For the purpose of investigating the biocompatibility of PCL µ-scaffolds, HDFs 

were statically seeded and cultured in vitro for 25 days onto the µ-scaffolds. These results 

demonstrated that PCL µ-scaffolds with a trabecular architecture, full pores interconnectivity, and 

pores size suitable to promote and guide in vitro HDFs adhesion, colonization, and ECM 

biosynthesis towards functional hybrid tissue development. 

In the second part of this work, a novel strategy is presented to precisely control the assembly 

of µ-scaffolds to fabricate vascularized complex hybrid tissue. First, monolayers were fabricated 

by patterning PCL µ-scaffolds following two different arrays, ordered and disordered, and using 

soft-lithography technique. The co-culture of HDFs and HUVECs was optimized to stimulate 

tissue grow and blood vessels formation. The results of this study demonstrated that tissue grow, 

and vascularization strictly depended on µ-scaffolds porosity and spatial distribution and, that an 

ordered design provide provided better results than a disordered one.  

To achieve the final goal of fabricating thick hybrid viable vascularized tissues we assembled 

two ordered monolayers with the aid of specially designed chamber, and we evaluated the 

characteristics of the final tissues after 5 days monolayers bonding and 7 days growth. The results 

of bilayers construct morphology, composition and vascularization showed that the develop 

approach enabled the achievement of viable hybrid tissues provided of homogenous 

vascularization onto the surface and into the inner part. In the context of the biomimetic design of 
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the structure and vasculature of hybrid tissues the computer aided approach develop in this work 

may allow to adapt this design to specific tissue that we want to regenerate. In fact, by simply 

changing the design of patterned mold, it is possible to modulate the porosity and morphology of 

the layered structure to match those of other connective tissues, like bone. Furthermore, mold 

design can take into the account other biological constrains such as the development of anisotropic 

vasculature as well as cells population heterogeneity.   
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Chapter 5 

Future perspectives  
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5.1. Control of hybrid tissue composition and growth by the modulation of micro-scaffolds 

degradation 

The degradation of micro-scaffolds plays a crucial role in successful tissue regeneration. 

Therefore, the following recommendations for future work are worth considering for the sake of 

simplicity and to earn the basic knowledge about improving the degradation of µ-scaffolds in our 

strategy. In this regard, PLGA has been one of the most studied biopolymers in the literature as a 

popular and important biodegradable polyester owing to its tunable degradation rates, good 

mechanical properties, and processibility [1, 2]. Hence, to improve µ-scaffolds degradability, we 

replaced PLGA with a degradation rate of about 3-6 months with PCL. However, this system needs 

further investigation which can be consider as a future perspective of this project. 

In summary, PLGA µ-scaffolds were fabricated by fluidic oil/water emulsion and particle 

coagulation process (chapter 2), and by using Pluronic F-127 as an excellent biocompatible pore-

generating agent, similar to the process reported [3]. Through this process, we obtained PLGA µ-

scaffolds provided of spherical shape, narrow diameter distribution of the µ-scaffolds size that was 

about 500 µm, and mean diameter easily controllable by adjusting the composition of the 

polymeric solution and the flow rate of the continuous phase. Here is showing the morphology of 

the porous PLGA µ-scaffolds with higher porosity in the surface and cross-section, (Figure 5.1a-

d). 

 

Figure5.1: Stereomicroscope and SEM images of the morphology of the surface and cross-section of PLGA 

µ-scaffolds obtained from 10 w/v % polymers concentration and Pluronic F-127 concentration in the 40 
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w/w %. Fluidic emulsion was carried out by setting QDP = 90 µL/min and by using 0.5 w/v % PVA solution 

as coagulation bath at RT for 3h.  

Therefore, there might be a possibility of forming a uniform morphology and highly open 

surface porosity of the PLGA µ-scaffolds. However, considering the different architecture between 

this PLGA µ-scaffolds and PCL µ-scaffolds previously characterized, the feasibility of using these 

newly faster degradable samples in our approach has to be validated. 

5.2. Control of hybrid tissue vascularization by the incorporation of growth factors 

delivering micro-scaffolds 

Designed drug delivery systems aim to provide control over the localization, time, and kinetics 

of the release pattern of signaling molecules such as growth factors according to the drug chemical 

properties and specific biological mechanisms. In this case, PLGA μPs encapsulating VEGF were 

prepared by water-in-oil-in-water emulsion procedure. As obtained μPs, measuring 25µm mean 

dimeter approximately, were packed and sintered into a preformed pristine gelatin micro-holder to 

prepare 500µm sample suitable to be located inside the pores of the monolayers and bilayers 

samples (Figure 5.2).  

 

Figure5.2: SEM photographs of gelatin shell, sintered PLGA µ-scaffolds and lateral view of a µ-composite. 

PLGA µPs sintering was carried out by using a mild vapor sintering procedure, similar to that 

described in [4]. The combination of these drug delivery systems with hybrid samples developed 

during this project may open new route to study blood vessels grow and maturation mechanisms 

under the spatial and temporal controlled release of bioactive molecules [4]. 
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