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ABSTRACT
Bioprinting technologies are based on layer-by-layer assembly of living cells and biomaterials to
manufacture three-dimensional (3D) biological structures. These structures can be designed based on
clinical 3D models of individual patients to produce personalized tissue grafts. External ear
reconstruction is one such clinical application that could be significantly improved with bioprinted
personalized grafts. Each person has unique ears and the lack of this aesthetic feature can subject
patients to psychosocial problems throughout their lives. A rare congenital disease called microtia
affects 1 in 3,800 newborn babies and is characterized with a deformity of the external ear. The
current standard of care for young microtia patients is autologous costal cartilage grafting based on
the harvesting of several ribs to build an ear template. Several surgeries are required to reconstruct the
external ear and a steep learning curve for surgeons limits the number of surgical experts around the
world that can perform these procedures. Patients often experience high donor site pain from the rib
harvest and the patient-reported outcome is often poor due to the low aesthetic outcome of the
reconstruction. In the future, tissue engineering might offer a solution for these children where only a
small autologous cartilage biopsy is required to fully reconstruct the ear cartilage. Such approaches
have been extensively investigated in the last decade to overcome the need for costal cartilage harvest
and to improve the aesthetic outcome of the reconstruction.
In this thesis a series of new bioprinting concepts were investigated while refining a biomaterial
composition that was suitable for chondrocyte encapsulation, commonly referred as a “bioink”. The
bioink developed in this work consists of gellan gum and alginate biopolymers that will undergo
simultaneous physical gelation in the presence of divalent cations. This bioink with cell friendly
crosslinking process could be applicable for the production of cellular cartilage-like grafts. To
demonstrate this capability and suitability for the bioprinting processes, a proof-of-concept study was
performed to bioprint several large cartilage-specific tissue grafts including ear, nose, meniscus and
intervertebral disc with the bioink. The bioink was demonstrated to produce cartilage specific
extracellular matrix in vitro with supplementation of transforming growth factor in the cell culture
medium. To further demonstrate the clinical applicability of the bioink, we performed two
consecutive preclinical studies with duration up to 16 weeks. These studies investigated different
bioink compositions and crosslinking conditions and their influence on human chondrocytes from
healthy and microtia samples. Despite the used cell source or the bioink composition the grafts were
observed to adopt cartilage-like appearance and significant improvement in biomechanical properties
of the grafts were observed over the study duration in all cellular compositions. These findings
supported the hypothesis that this bioink can support chondrocyte proliferation and extracellular
matrix deposition in vivo. This was proven with histological stainings of typical cartilage specific
components such as glycosaminoglycans and collagen type II. The bioink grafts had developed a rich
cartilage-specific extracellular matrix after 8 weeks in vivo. Similarly, the bioink grafts after 16 weeks
were positively stained with cartilage-specific histological stainings. No adverse effects such as graft
rejections or wound infections were observed in the immunocompromised nude mouse model up to
16 weeks.
The large hydrogel-based structures often possess limited mechanical properties rendering them
unsuitable for handling and insufficient to withstand physiological loading at the implantation site. To
overcome this common limitation of hydrogels, we developed a bioprinted reinforcement technology
to improve the achieved mechanical properties within the composite hydrogel grafts. This
reinforcement ink was co-extruded with the bioink to produce composite grafts with unisotropic
mechanical properties. In contrast to commonly used thermoplastic polymer based reinforcements,
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this hydrogel-based reinforcement can directly bind to the bioink thus improving the synergistic
mechanical properties of the composite and preserving the graft flexibility. Unisotropic and flexible
composites can be desired in special applications such as the external ear to mimic the natural elastic
cartilage-like properties and flexibility of the auricular cartilage. The biocompatibility of the
reinforced bioink composite grafts was compared to the bioink grafts in vivo up to 8 weeks where the
bioink comprised of healthy human auricular chondrocytes in both graft types. No distict differences
were histologically observed while a cartilage-specific extracellular matrix deposition was observed
from histological stainings. Interestingly the reinforced bioink composite grafts had significantly
improved mechanical properties after in vivo implantation in comparison to the bioink graft. Based on
these promising preclinical studies, the reinforcement ink could be applied to several bioprinting
applications to improve the mechanical properties of the hydrogel grafts without compromising the
high bioink biocompatibility.
Bioprinting has evolved to be considered a manufacturing technology suitable for production of cell
based therapy products. However, in order to manufacture clinical tissue grafts, the bioprinting
process parameters must be better understood and standardized. During these studies, we published
several printing parameter influencial for reproducible bioprinting and introduced the first printing
guidelines. Such standards and guidelines aid in enabling the translation of bioprinting technologies
from research processes to industrial manufacturing technologies. After achieving the industrial
manufacturing standards, the bioprinting technologies could be used to produce clinically applicable
patient-specific grafts. The introduced bioink, containing autologous chondrocytes from the patient’s
ear, could be used in the bioprinting process to manufacture auricular cartilage grafts based on the
patient’s contralateral ear shape. In the future, this approach could be realized to produce customized
ear reconstruction for microtia patients.
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ZUSAMMENFASSUNG
Die Bioprintingtechnologie basiert auf einer schichtweisen Anordnung von lebenden Zellen und
Biomaterialien, sogenannten Bioinks, in engen räumlichen, dreidimensionalen (3D) Strukturen. Diese
Strukturen können auf der Grundlage von klinischen 3D-Modellen individueller Patienten gefertigt
werden, um Gewebetransplantate für personalisierte klinische Produkte herzustellen. Eine solche
klinische Anwendung, die mit biogedruckten personalisierten Ohrtransplantaten signifikant verbessert
werden könnte, wäre die Rekonstruktion des äusseren Ohres. Jede Person hat einzigartige Ohren und
ein Defekt dieses ästhetischen Merkmales kann bei Patienten zu lebenslangen psychosozialen
Problemen führen. Mikrotie ist eine seltene angeborene Erkrankung welche einen von 3.800
Neugeborenen betrifft und zu einer Missbildung des äußeren Ohres führt. Der derzeitige
Behandlungsstandard junger Mikrotie-patienten ist die autologe Rippentransplantation wobei mehrere
Rippen entnommen und daraus eine Ohrmuschel gefertigt wird. Mehrere Operationen sind
erforderlich, um das gesamte Ohr zu rekonstruieren und eine steile Lernkurve begrenzt die weltweite
Zahl chirurgischer Experten die das Verfahren durchführen können. Die Patienten leiden häufig an
starken Schmerzen an der Rippenentnahmestelle was zusammen mit den mangelhaften ästhetischen
Ergebnissen der Rekonstruktion zu einem schlechten Patient Reported Outcome führt. Für diese
Kinder könnte in der Zukunft Tissue Engineering eine Lösung bieten, bei welcher nur eine kleine
autologe Knorpelbiopsie erforderlich wäre um den Ohrknorpel vollständig zu rekonstruieren. Solche
Ansätze wurden in den letzten zehn Jahren intensiv untersucht um eine Rippenentnahme zu
vermeiden und das ästhetische Ergebnis der Rekonstruktion zu verbessern.
In dieser Arbeit wurde eine Reihe neuer Bioprinting-Konzepte erforscht, wobei eine für die
Chondrozyteneinbettung geeignete Bioink verbessert wurde und die Formtreue und
Reproduzierbarkeit des Bioprintings verbessert wurden. Dieses Bioink könnte für die Herstellung von
autologen Knorpeltransplantaten zur Knorpelrekonstruktion verwendet werden. Um diese Fähigkeiten
zu demonstrieren wurde eine Proof-of-Concept-Studie durchgeführt, wobei mehrere KnorpelGewebetransplantate - ein Ohr, eine Nase, ein Meniskus und eine Bandscheibe - in Originagrösse
gedruckt wurden. Des Weiteren wurde in diesem Projekt eine der ersten vollständig hydrogelbasierten
Verstärkungstechnologien entwickelt um die begrenzten mechanischen Eigenschaften der Hydrogele
durch Bioprinting von Verbundstransplantaten mit zellulären Biomaterialien zu verbessern.
Menschliche aurikuläre Chondrozyten wurden mit oder ohne Verstärkung in diese Bioink eingebettet
um Gewebetransplantate herzustellen, welche anschließend in eim in vivo Mausmodell getestet
wurden. Die Bioink-Transplantate nahmen ein knorpel-ähnliches Aussehen an und die gezeigte
Verbesserung der biomechanischen Eigenschaften deutet auf das Potential der Bioink bei der
Unterstützung der Chondrozytenproliferation und der extrazellulären Matrixabscheidung in vivo hin.
Bereits 8 Wochen nach der Implantation waren die Bioink-Transplantate reich an knorpelspezifischer
extrazellulärer Matrix bestehend aus Glycosaminoglycanen und Kollagen Typ II. Im Mausmodell mit
immundefizienten Mäusen konnten während 16 Wochen nach der Implantation keine nachteiligen
Effekte beobachtet werden. Die produzierten Bioink-Strukturen zeigten keine Volumenveränderung
und unterstützten die Akkumulation von Knorpelmatrixproteinen. Drei aufeinanderfolgende
präklinische Tierversuche wurden durchgeführt um verschiedene Bioinkompositionen und
Vernetzungsbedingungen mit menschlichen mikrotischen sowie gesunden Chondrozyten zu
untersuchen. Basierend auf diesen vielversprechenden präklinischen Studien wurde ein Satz von
biogedruckten Ohrtransplantate in Originalgrösse produziert um die kostale Rippenknorpelschablone,
welche in Mikrotie-Rekonstruktionen verwendet wird, zu imitieren. Die entwickelte BioprintingTechnologie wäre eine optimale Methode zur Herstellung von komplexen Ohrtransplantaten. Um
jedoch klinische Gewebetransplantate herzustellen müssen die Parameter des Bioprinting-Verfahrens
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besser verstanden und standardisiert werden. Während diesen Studien veröffentlichten wir mehrere
Druckparameter-Tests und schlugen die ersten Bioprinting-Richtlinien für das Feld vor. Solche
Normen und Richtlinien helfen bei der Übertragung der Bioprintingtechnolgie aus der Forschung in
die industrielle Fertigung. Sobald die industriellen Fertigungsstandards erfüllt werden, könnte die
Bioprintingtechnologie zur Herstellung von klinisch anwendbaren patientenspezifischen
Ohrtransplantaten, welche nach der kontralateralen Ohrform modelliert werden, verwendet werden.
Dieser Ansatz könnte möglicherweise in Zukunft verwendet werden, um maßgeschneiderte aurikulare
Knorpeltransplantate zur Behandlung von Mikrotie-Patienten zu produzieren.
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1 Introduction
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1.1 Cartilage
Cartilage is a specific type of connective tissue with a wide variety of biomechanical functionalities
depending on its location and physiological constraints. A specific cartilage feature is its aneural and
avascular nature which leads to a limited self-healing capacity due to the lack of blood-derived active
cells, such as stem or progenitor cells 1. Cartilage is found at the end of the long bones where it can
provide extreme lubrication in the joint spaces to allow nearly frictionless movement of the joints
while providing resistance towards high impact loading during movement. This type of cartilage is
called articular or hyaline cartilage, where a complex hierarchical collagen type II orientation is
responsible for the tensile properties while the highly hydrated glycosaminoglycan (GAG) network
retains water. This structure retains hydrostatic pressure which functions against the compressive
loading to soften the joint movements. This zonally structured cartilage has an extracellular matrix
(ECM) composition of mainly water (70-80% of the wet mass), proteoglycans (15% of the wet mass),
collagen type II fibers (60% of the dry mass) that embed the single resident cell type called the
chondrocytes which makes up only 2% of the cartilage volume 2. The collagen fibril network
intervening with negatively charged proteoglycans results in densely packed networks where the high
density of negative charges attracts water while enabling specific electrostatic interactions with the
growth factors 3. The articular cartilage can be divided into zonal structures, namely superficial,
middle, deep and calcified cartilage, where each zone is specialized in its ability to support the
cartilage function. Towards the interstitial joint space is the superficial (tangential) zone, where the
collagen fibers are oriented parallel to the joint surface 2. In the middle (transitional) zone, the
collagen fibers are more randomly oriented 2. In the deep zone, the collagen fibers are perpendicular
to the surface of the joint. This zonal structure also differs in the GAG content where the highest
concentration can be found in the deep zone where the cartilage connects to the tidemark which is a
sharp dividing structure between the non-calcified and the calcified cartilage before the subchondral
bone structures 4.
Other cartilage subtypes are fibrous and elastic cartilage where the ECM has evolved in response to
other types of biomechanical loading and microenvironments. Fibrocartilage can be found in the
skeletal locations where extreme load resistance and stiffness are important for example in
intervertebral discs and in meniscus. This cartilage type is abundant in collagen type I and II with
highly oriented parallel fiber structures to resist high mechanical loading. Elastic cartilage, on the
other hand, has a unique cartilage ECM where high levels of elastin fibers can be found. This specific
elastin-rich matrix is responsible for the high flexibility of cartilage and can be found in the auricle,
the larynx, and the epiglottis. Griffin et al. measured the Young’s modulus of auricular cartilage to be
on average 1.66±0.63 MPa 5. Similar to elastic cartilage, the elastin fibers are shown to be important
biomechanically in other connective tissues such as arteries and skin 6,7 where they regulate the
elasticity and flexibility of the tissue. The elastin content of auricular cartilage was quantified by
Nimeskern et al. to be over 15% of the wet mass of auricular cartilage. In this study, the ratios of
collagen (60% of the dry mass) and GAG (2-3% of the wet mass) were quantified 8. Moreover, a cell
density of 15% of the total volume was measured based on the total deoxyribonucleic acid (DNA) in
cartilage samples. Figure 1.1 illustrates the histological analysis of native human auricular cartilage in
which all typical elastic cartilage components including GAGs, collagen type II and elastin were
stained. Alcian blue is a common cationic dye that interacts with the negatively charged GAGs. It is
not a specific staining for hyaluronan, heparin or aggregan which all interact with this dye 9. The
collagen type II was stained with a primary antibody that was produced by a cell line to detect
collagen type II structures. Once the primary antibody was bound to the collagen structure a
secondary antibody was let to bind to the exposed binding domain of the primary antibody 10. A
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fluorophore in the distal end of the secondary antibody was then exposed and could be imaged to
expose the underlying collagen structures. The elastin structures were stained with a Verhoeff Van
Gieson staining based on hematoxylin-ferric chloride-iodine where the exess ferric chloride
compound precipitates the hematoxylin iron components that have high binding affinity for the elastin
fibers 11,12. In the stained slides the collagen structures are stained red and the elastic fibers and cell
nuclei appear black.

Figure 1.1 Histological and immunohistochemical stainings of human auricular cartilage. From the
left: GAGs (Alcian blue), collagen type II (immunohistochemical staining) and elastin (Verhoeff Van
Gieson). Scale bar is 100µm.
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1.1.1 Human ear and auricular cartilage
The human ear structures are commonly divided into inner, middle and the outer ear 13. The inner ear
contains the cochlear structures and the middle ear resides between the oval window and the ear drum
with a function to transmit sound. The outer ear includes the ear channel and the external ear
structure, the auricle. The auricle is composed of auricular cartilage and a lobe which mainly consists
of adipose tissue which are covered by the skin envelope. The cartilaginous portion of the auricle can
be divided into five distinct parts: the helix, the anti-helix, the concha, the tragus and the anti-tragus
14
, as seen in Figure 1.2. This intricate shape constitutes the auricle that is attached to the skull by
ligaments, muscles and fibrous tissue to enable its natural orientation and position. The average
mature human auricle is 5-6 cm high with a width of approximately 55% of its height and a slow
continuous ear growth is typically observed 15. The ear is positioned 6.5-7.5 cm posterior from the
lateral orbital rim. The top of the ear aligns with the supraorbital notch and ear lobe with the nasal
columella structure 16. In this position, the ear is posteriorly rotated between 15-20° so that the tragus
is oriented nearly vertical 17. The posterior portion of the ear protrudes commonly between 1.5-2 cm
from the skull forming an angle of 21-25° 16,17. The ear resides between the junction of the superficial
temporal artery and posterior auricular artery, which provide the main blood supply for the ear 13. The
innervation of the ear’s cutaneous structures is derived from cranial and extra cranial nerve branches
13
. Auricular cartilage structures remains avascular and aneural despite their proximity to the
vascularized subcutaneous tissue.

Figure 1.2 Illustration of the auricular cartilage structures. HE = Helix, AHE = Anti-helix, CO =
Concha, TR = Tragus and ATR = Anti-tragus. Image was adapted from 8.
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1.2 Microtia
A range of disorders affecting the external ear shape have been previously described in clinical
research, including microtia/anotia 18,19. Microtia has been associated with anomalities or syndromes
in approximately 30% of the children diagnosed with microtia/anotia. These anomalies and
syndromes include hemifacial microsomia, oculo-auriculo-vertebral dysplastia, Goldenhar syndrome,
Meier-Gorlin syndrome, Goldenhar-Gorlin syndrome, Treacher Collins syndrome, unilateral
craniofacial microsomia, auriculo-branchiogenic dysplastia or facio-auriculo-vertebral malformation
complex 18–20. Isolated microtia has been hypothesized to represents a mild phenotype of oculoauriculo-vertebral spectrum 19. This hypothesis is controversial and consensus has not been reached in
the scientific community and this debate still remains unsettled due to overlapping clinical expression
of these conditions, which most likely share similar genetic mechanisms 14. In many microtia
diagnosis, this condition has been directly associated with chromosomal abnormalities, single gene
disorders and external factors affecting the early embryogenesis that regulate the morphogenesis of
the external ear, thus it should be considered as a separate condition 14,18,21. The approximate incidence
of ear malformation is 1 in 3800 newborns 19, but has been known to vary greatly and, in fact, a
variety of risk factors have been identified that can affect the prevalence in local populations.
1.2.1 Developmental factors and prevalence
During embryonic development, the branchial arches orchestrate the development of the head and
neck structures 18,22. The branchial arches are populated by mesenchymal cells of mesodermal and
cranial neural crest origin 23. These neural crest cells migrate throughout the vertebral body and
contribute to several morphological characteristics of the vertebrate structures. In the cranial region,
the facial out growth and morphogenesis of the facial features, origin from the neural crest cells and
other embryonic cells 22,23. The outer ear starts to develop during the fifth week of embryogenesis and
the maturation of the morphology takes place largely in the fetal stage. Auricles are initially
developed in the embryonic neck where they are repositioned to the temporal locations 22. Branchial
neural crest cells are believed to guide the development of the auricle, thus learning the biology of
these cells is a key to understand microtia 22,23. The major factors for microtia development are
believed to be: 1) single gene mutations which have been clearly associated with microtia in
syndromes and inherited cases and 2) multifactorial causes where genes and environmental conditions
such as toxic substances and vascular development can result in microtia 14,18. A review study by
Luquetti et al. concluded that there is significant evidence to relate microtia with genetic factors based
on: 1) higher microtia prevalence in monozygotic (38.5%) than dizygotic twins (4.5%); 2) reported
inheritance (3-34%) with variable expressions; 3) over 18 microtia associated syndromes have been
identified with isolated single-gene or chromosomal factors; and 4) studies with animal models in
which the link between the single gene mutation and microtia development have been established 19,21.
The multifactorial or environmentally caused microtia is strongly supported by the evidence from
various substance abuse cases or medical conditions which can affect embryonic development 18.
Hyperglycemia in diabetes has been associated with down regulation of Pax3, which has been shown
to support neural crest cell functions 19,23. Similarly, retinoid exposure has been shown to down
regulate Hox gene expression, which is a marker hypothesized to regulate the neural crest cells special
migration from the branchial arches 23,24. Another external factor believed to cause microtia is
vascular disruption caused by insufficient vascular development during embryogenesis. Poswillo et al.
demonstrated using a rodent model that an early vascular disruption with a hematoma in utero resulted
in the destruction of differentiating tissue in the region of the ear and jaw where the severity was
correlated with the severity of the malformation 25.
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According to clinical observation studies performed by several authors, the ear malformations are
mainly unilateral (80-90%) and the slight majority of the incidences are in the right ear (60%) and a
common 3:2 ratio (right : left ear incidence) has been observed 19,23,26. In population studies, males are
more often affected (58-64%) and inheritance have been found a significant factor for prevalence.
Populations of Asian, Latin American and Native American heritage have been reported with
increased incidence rates of microtia 27,28. A debate remains over the genetic isolation of the
population as a factor due to higher prevalence of microtia in geographically isolated regions like
islands (Hawaii), mountain regions (China, Latin America) and remote regions (Finland, Sweden). A
landmark study performed by Melnick and Myranthopolous reviewed and registered auricular
deformities and associated abnormalities observed in 56’000 pregnancies of an ethnically diverse
population in United states of America (46% African American, 46% Caucasian and 8% Latino)
describing an incident rate of 1.1% (11 in 1000 births) 29. Microtia or other severe types of deformities
occurred on average of 3 in 10’000 live births. Interestingly, an incidence rate of 1 in 4000 in
Japanese ethnicity and as high as 1 in 1200 in Navajo Indians was recorded. Almost half of the
microtia occurrences were related to craniofacial microsomia, also known as facial-auricular-vertebral
syndrome 18,29. This study also concluded that microtia was bilateral in approximately 10% of the
patients and interestingly in the unilateral cases the right side was twice as likely to be affected as the
left side. Similar results were reported by Zhao et al. where bilateral microtia was reported in 7% of
1864 total ear reconstruction cases and in unilateral cases the microtia affected right ear in 1080
patients (62%) and left ear in 652 patients (38%). Furthermore, clinical studies have found that
microtia is more prevalent (60-70%) in males 30. There has been several clinical reports linking
microtia to other developmental disorders such as vertebral, urogenital and renal anomalies 29. Several
studies have reported prevalence of microtia around the world which was summarized in a review by
Luquetti et al. which is partially illustrated in Table 1.1.
Table 1.1 List of reported microtia prevalence (per 10’000 births) studies from 1960-2010. Microtia
grades are according to the Marx classification (I-IV) 31. Adapted from Luquetti et al. 19.
Age of
evaluation
Population based statistics
Finland
LB+SB
Sweden
LB+SB
France
LB+SB
California (USA)
LB+SB
LB+SB
Hawaii (USA)
+ETOP
LB+SB
Texas (USA)
+ETOP
Hospital based statistics
4-14 years
Navajo (USA)
>21 years
Italy
LB+SB
Chile
LB+SB
South America a)
LB
Study location

Prevalence
total

Prevalence
anotia

Prevalence
microtia

Grades of
microtia

4.3
2.4
0.8
2.0

0.2
0.2
0.4
0.2

4.1
2.1
0.4
1.8

I-IV
I-IV
I-IV
I-IV

32

3.8

0.3

3.5

II-IV

34

2.9

0.2

2.7

II-IV

35

nr

nr

nr

0.3
0.5
nr

1.2
8.3
nr

I-IV
I-IV
I-IV

12.0
9.7
1.5
8.8
3.2

Reference

33b)
33b)
33b)

36
27
37
28
38

LB=Livebirth, SB=Stillbirth, ETOP=Elective termination of pregnancy, nr=not reported
a) Argentina, Brazil, Chile, Equador, Peru, Uruguay and Venezuela
b) Excluded cases with known chromosomal anomalies
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1.2.2 Clinical grading of microtia
Several grading systems have been developed to characterize the severity of microtia. Dr. Hermann
Marx was the first to publish microtia severity classification in 1926 which has been widely accepted
in the community. He divided microtia into three distinct categories based on the identifiable
landmarks (Figure 1.2) found in the auricle. Grade I: Underdeveloped auricle structure where
landmarks are observed; Grade 2: Auricle does not present all landmarks, and; Grade 3:
Auricularremnant visible with at least the lobular structure 31. In 1957, a Finnish practitioner, Dr. Yrjö
K. A. Meurman, introduced a four category system which specified the ear shape and landmarks.
Grade I: small auricle with most landmarks present; Grade 2: auricle has a moderately abnormal
appearance and could also present a hook-shaped helix; Grade 3: lobular structure is visible, yet
cartilage is absent; and Grade 4: Anotia, no identifiable auricular structures 39. The latest and the most
specific grading system was introduced by Hunter et al in 2005 which defines the ear shape, size and
landmarks of the auricle. Grade 1: Abnormal auricle with all identifiable landmark structures and
median longitudinal length more than two standard deviations (2SD) (95%) below the mean size;
Grade 2: Abnormal auricle with some but not all identifiable landmarks and median longitudinal
length less than 2SD (95%) below the mean size; Grade 3: Presence of some auricule structures but
none of these can be identified as auricular landmarks; and Grade 4: Complete absence of the auricle
14
.
Another way to categorize microtia types is according to the surgical classification based on the skin
incision. Three surgical procedures has been identified for different microtia types 40. The most
frequent lobular type remnant which is characterized with a soft tissue lobule and cartilage remnant
can be operated with Z-plasty where multiple incisions are positioned to allow both remnant removal
and skin flap harvest. Less frequent concha type that presents more recognizable portions of the
conchal bowl, tragus or other external ear structure can be operated with transfixion incision through
the remnant cartilage to reconstruct a portion of the auricle 41. In anotia cases the incision can be
superior to the auricle for the pocket creation since cartilage remnant removal or lobule positioning
are not necessary.
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1.3 Clinical microtia reconstruction
The auricle reaches approximately 80% of its adult size by age 5 and minimal ear growth continues
throughout the lifetime of the individual 17,42. However, only minor changes in auricle size are
observed beyond the 10 years of age 15,43. In current clinical practice, there are three available
techniques to reconstruct a patient’s ear, namely autologous costal cartilage reconstruction, synthetic
implants or a prosthetic ear 30,44. Baluch et al. listed the advantages and disadvantages of the current
clinical auricle reconstruction techniques which has been adapted in Table 1.2. The surgical
reconstruction should be carried out once the sufficient costal cartilage can be obtained for the
autologous costal cartilage surgery or once the child is old enough for the synthetic graft
reconstruction, while minimizing the pshychosocial problems related to the condition 45,46. It is
important to evaluate the achievable pshychosocial benefits from an earlier surgery against the risks
of performing the operation with younger patients. 44 Zhao et al. reported a clinical study including
1864 patients with 1996 complete ear reconstruction cases in which all three reconstructive techniques
were used in appropriate situations. This study was concluded with satisfactory results with all
reconstructive techniques in which the primary reconstruction was divided accordingly: Patients less
than 30 years old with intact mastoid skin had surgery conducted with the autologous costal
reconstruction technique (1485 patients, ~80%); for patients who were over 30 years old, the Medpor®
framework was selected even in the presence of mild inflammation in the skin (355 patients, ~19%);
the prosthetic reconstruction procedure (24 patients, ~1,3%) was performed when either the mastoid
skin was seriously damaged or when the patients refuced to accept either of the other reconstructive
techniques 30. In all the external ear reconstruction techniques, there is a large heterogeneity of
techniques used, ranging from tissue expander usage 30 to different methods that utilize split skin
grafts 47 or different skin pocket openings 40,41,44,48 to cover the ear template, whether it is autologous
or synthetic.
Table 1.2 Summary of the advantages and disadvantages of all the current clinical total ear
reconstructions. Adapted from Baluch et al. 44
Reconstruction
technique
Autologous costal
cartilage
reconstruction
(standard of care)

Advantages

Disadvantages

1. Minimal risk of rejection
2. Does not require split skin grafts
3. Low infection rates
4. Possible growth with the patient

Autologous costal
cartilage
reconstruction with
skin expander

1. One stage reconstruction
2. Minimal risk of rejection
3. Low infection rates
4. Less skin constrains to the template
5. Possible growth with the patient

1. Limited to 10-30 year old patients
2. Long learning curve of the reconstruction
3. Requires artistic talent (few surgeons)
4. High rate of donor site complications 49
5. Possible lack of size and shape
6. Low aesthetic outcome
7. Two to three stage reconstruction
1. Limited to 10-30 year old patients
2. Long learning curve of the reconstruction
3. Requires artistic talent (few surgeons)
4. High rate of donor site complications
5. Possible lack of size and shape
6. Low aesthetic outcome
7. Additional skin graft needed
8. 6-9 week static expansion phase

Synthetic Implant
reconstruction
Medpor®, Stryker

1. As young as 3 year old patients
2. No upper age limit
2. Short learning curve
3. No donor site limitations
4. Increased aesthetic outcome

1. Foreign body reactions
2. High complication rates
3. Requires complex split skin grafting
4. Skin necrosis is a serious possibility
5. Implant fracture rate of 1-5%
6. Rigid implant is difficult to sleep with

Prosthetic
reconstruction

1. Minimally invasive surgery
2. Excellent aesthetic outcome

1. Prosthetic ear is not own tissue
2. Requires long lasting management
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3. Can be performed at any age

3. Requires daily cleaning
4. Expense of replacing every 2-5 years

1.3.1 Autologous costal reconstruction
Autologous costal cartilage reconstruction is the current standard of care in ear reconstructive
surgeries in children. According to the latest national survey of The American Society of Plastic
Surgeons, 88% of the surgeons chose the autologous costal technique for microtia treatment, and
91.3% of the surgeons surveyed had some experience with this reconstructive technique 50. The costal
cartilage template durability with long-term follow-up results, relatively low complication rates, and
acceptable aesthetic results have become the cornerstone of this technique. This approach has been
developed and pioneered by Dr. Radford Tanzer in 1959 41 and refined with several surgeons such as
Dr. Bert Brent (US) 51, Dr. Satoru Nagata (Japan) 48 and Dr. Francoise Firmin (France) 40,52,53. These
surgeons have refined their ear reconstruction technique, which is considered to be one of the most
complex surgical reconstructions.
The timing of the autologous costal cartilage reconstruction is limited by the development of the child
to take place typically between 7 and 10-year-old 50 so that a sufficient amount of cartilage is
available for the ear template. Costal cartilage does not remain as hyaline cartilage but undergoes
calcification during the child’s development which limits the costal cartilage use in the reconstruction
to 25-30 years of age 54. Beyond 30 years of age the costal cartilage structures become extensively
calcified and bone-like which possess many possible complications in crafting the ear template, such
as fractures and limitations in helix bending during the template assembly. This reconstruction
consists of two48 to four51 surgical interventions, depending on the selected technique. Two stage
reconstruction is divided into the following stages: First stage: costal cartilage template implantation
with lobule orientation; Second stage: ear protrusion refinement; and Third stage: refinement (if
applicable) 48,52. Four stage reconstruction is divided into the following stages: First stage: costal
cartilage template implantation; Second stage: lobule orientation; Third stage: ear protrusion
refinement refinement; and Fourt stage: tragus construction and ear canal mimicry 51. In the two stage
reconstruction techniques the first stage is the most demanding process with typical duration of
approximately 6-8 hours. During this stage, the surgeon removes the cartilage remnants from the
microtia site and prepares a subcutaneous ear pocket where the ear template can be later inserted. The
surgical team will then access the costal cartilage structures and typically harvests the sixth, seventh
and eight ribs to have enough cartilage to carve the ear template shown in figure 1.3. The sixth and
seventh ribs are used to produce the ear base plate which is the major part of the structure.
Furthermore, these ribs are used to craft the antihelix and possible tragus and anti-tragus structures.
The eighth rib is used to form the helix due to its elongated and thin shape. Once the pieces have been
prepared, they can be assembled using specially designed titanium wire sutures optimized for this
procedure or with common sutures. The total ear template fabrication process with all of its intricate
details will take approximately 2-3 hours (Figure 1.3). This template is now ready to be implanted
into the subcutaneous skin pocket. In this stage the ear template is positioned tightly against the
hypodermis subcutaneously and by applying a small suction drain the template and the overlaying
skin can be brought in close proximity. The recovery site is covered with gauze and protection to
prevent inflammation and further injury. The drain remains in the patient for a few days before the
patient is discharged.
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Figure 1.3. Images from the first stage of the costal cartilage ear reconstruction. a) Initially the costal
cartilage is harvested. b) The HE and AHE structures are fixed to the ear base plate. c) The TR and
ATR structures are fixed to the plate. d) Ready auricular template. e) Auricular template is aligned
with the lobule and a retroauricular skin flap is used to cover the cartilage template. Reproduced with
permission from 40.
Second stage of the autologous costal cartilage reconstruction typically follows after 4-6 months and
is intended to reconstruct the protrusion and realign the ear. A costal cartilage piece and a skin flap are
harvested in this operation shown in Figure 1.4. A piece of costal cartilage is often subcutaneously
stored for this operation 51,52. The ear template is detached along the posterior rim of the template and
a wedge shaped costal cartilage piece is inserted to reconstruct the concha for the desired protrusion.
A skin flap is used to cover the posterior portion of the ear template for desired skin coverage (Figure
1.4). Recently, a new reconstructive technique was introduced where the two stage costal cartilage
reconstruction was conducted with the use of synthetic polyethylene (Medpor ®) as the wedge material
55
. Third stage surgery can be performed depending on the need of the patient and it is commonly
performed for minor refinements. This is also the sequence and stage to reconstruct the ear channel
structures if the hearing function can or is desired to be improved.
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Figure 1.4. Images from the second stage of the costal cartilage ear reconstruction. a) Image of the
first stage auricle 6 months postoperatively. b) A posterioauricular cut is performed with template
elevation. c) A costal cartilage wedge is used to greate the ear protrusion and the concha structure. d)
Ear template was sufficiently elevated. e) A temporafacial skin flap was used to cover the posterior
auricle. f) Postoperative 2 year follow-up appearance. Reproduced with permission from 40.
The autologous ear reconstruction can also be done by using the skin expander technique to perform
total ear reconstruction in one stage surgery 47. However, even when the expander is used, the total
surgical reconstruction is done in two stages and autologous skin grafts are also used to cover the post
auricular concha structures. First stage, the cartilage remnant is removed from the surgical site and a
kidney-shaped expander is implanted subcutaneously in the postauricular (mastoid) region. The
expander is gradually filled (over several days) by injecting saline solution until an approximate 5090ml volume is reached 30,47. This process is followed by a static skin expansion phase which lasts
between 1 to 6 months. In the second stage, the expander is removed and the costal cartilage
framework is implanted underneath the expanded skin where the costal cartilage template is
assembled as described in the non-expander technique. With this approach, the costal cartilage
template is attached to the concha elevation piece so that the total ear reconstruction can be obtained
in one surgery. Typically, the anterior portion of the ear is covered by the tissue-expanded skin and
the posterior portion is covered with a separate skin graft. The skin is similarly adapted to the
template by applying a small suction drain for a few days. If the aesthetic satisfaction is reached with
this one stage surgery, there is no need for additional surgeries.
The benefits of the autologous costal cartilage reconstruction are a high degree of biocompatibility,
good long-term stability with clinical evidence, and the ears potential to grow with the patient.
Despite being the standard of care for most of the microtia patients 49–51, this reconstructive process
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have several limitations, both concerning the recipient and the donor site. A review article published
in 2013 summarizes the complication rates of 9415 patient reconstructive surgeries with autologous
costal cartilage 49. An average complication rate of 16.2% (1525 cases) was reported. Relatively low
complication rates were observed in the recipient site where unsatisfied aesthetic result (8.52%),
asymmetry (2.08%), and titanium wire extrusion (1.61%) were reported. The unsatisfactory aesthetic
results are often related to the lack of costal cartilage for sufficient ear template dimensions and the
lack of visible auricle landmarks, which do not resemble the contralateral ear. Over time, the costal
cartilage ear template can calcify or even become resorbed, resulting in an increase in rigidity and loss
of definition of the ear 49. Another severe complication on the recipient site is ear infection which is
hard to control with antibiotics and can result in explanting of the costal cartilage template. The donor
site complications are more common and more severe than the recipient site complications. Common
donor site complications include chest wall deformities (36.06%), thoracic scoliosis (22.22%), pleural
tear (12.75%), atelectasis (8.75%) and hypertrophic scar (5.61%). One article from 1971 reported a
death of a child due to bronchopneumonia infection related to the costal cartilage harvest 56. Acute
complications such as pleural tear, atelectasis and pneumothorax occur during the harvesting
procedure and can be severe, even life threatening. The most common complications such as chest
wall deformities and thoracic scoliosis may develop over time but are not as severe for the patient.
Several costal deformities have been reported in microtia patients due to developmental disorders and
the developmental delay of costal structures 45,57. A study conducted by Wu et al included 239 patients
with microtia who underwent computer tomographic evaluation of the skeletal development. More
than a quarter (28.5%) of the patients were diagnosed with thoracic deformities, including rib and/or
spinal deformities. The incidence was reported highest in patients who were given the highest grade
on the microtia scale 57. These observations should be taken into consideration when the costal
cartilage reconstruction timing is discussed as the limited costal cartilage development may postpone
the appropriate surgical reconstruction.
1.3.2 Synthetic implant reconstruction
Synthetic implant reconstruction is commonly referred to as Medpor reconstruction due to the trade
name of the implant (Medpor®, Stryker). Medpor is a medical grade porous polyethylene (PE)
scaffold first introduced to reconstruct external ear structures of severe burn victims and microtia
patients by Dr. Carol E. Jones and Dr. Tadeusz Wellisz (US) in 1994 58. Medpor PE implants are
currently available as 44 different products in 180 shapes and sizes designed to be used in craniofacial
reconstructions. This porous PE template is said to encourage vascular and soft tissue ingrowth to
prevent extrusion which could lead to an inflammation. The Medpor auricular implant is made from
two components, namely the curved helix rim and a separate base plate, which can be modified by the
surgeon to mimic the contralateral ear dimensions and protrusion (Figure 1.5). In addition, the twopart design allows the helix to collapse against the skull under pressure to prevent injury or breakage
of the graft. Dr. John Reinisch (US) has pioneered the Medpor reconstruction as an alternative to the
autologous costal cartilage reconstruction with several modifications to the implant, as well as to the
reconstruction technique 59. The main benefit of the Medpor implant is the earlier surgical timing and,
in fact, patients as young as 3 years old have had successful surgeries 60. Older patients with sufficient
skin condition are always eligible for this technique as there are no age limitations, although as the
patients’ age increases, so does the recovery process and risk of complications. Despite the long
market exposure and benefits such as no restrictions on patient age and off-the-shelf availability,
Medpor has not been established as the standard of care for microtia. This low market penetration is
related to complex surgical procedure and high complication rates associated with Medpor implants.
Zhan et al. reported a 14% complication rate in comparison to a 1.5% complication rates with
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autologous ear reconstructions. Complication rates up to 25% have been reported 61. These
complications have been related to this high stiffness synthetic material being extruded through the
skin and the skin necrosis covering the implant 61.

Figure 1.5. Illustration of a synthetic PE implant (Medpor®) 58. This implant consists of two porous
PE parts which resemble the ear helix and the anti-helix, anti-tragus and tragus complex. Reproduced
with permission from 58.
1.3.3 Prosthetic reconstruction
A silicon prosthesis is the least invasive option for the external ear restoration. Patients who are not
eligible for the autologous costal cartilage reconstruction or the synthetic ear reconstruction due to
severe skin condition can choose an ear prosthesis to restore the appearance. A prosthesis is typically
the preferred option for elderly patients and for patients with seriously damaged skin for example due
to severe burns. Granström et al. reported a 21 year follow-up study of 100 children with bone
anchored hearing aids and/or ear prosthesis with a total of 170 titanium fixtures with low complication
rates of 5.8% from implant failure and 9.1% from adverse skin reactions 62. These complications are
mainly related to the titanium implant loosening and the skin infection around the titanium fixtures or
in direct contact with the silicone prosthesis. It is generally acknowledged that this type of surgery
should not be performed on young individuals below 14 years of age to prevent complications due to
the skull development. The prosthesis fixtures can be either titanium dowel retainer (Figure 1.6) or
subcutaneous magnets that physically hold the prosthesis in place. Despite the fixture type, the
reconstruction includes one surgical procedure to attach the fixtures. Briefly, the ear cartilage remnant
is removed and the temporal bone is exposed by removing the hypodermis and periosteum layers
under the cartilage remnant. Two positions corresponding to the cymbum concha and posteriomedial
cavum concha are identified and either a titanium dowel retainer is screwed to these positions or a set
of two to four screw magnets are fixed 62,63. The skin is closed and the patient is ready to attach the
custom made external prosthesis 2-3 weeks post-operation. To produce the prosthesis, the
contralateral ear is wax casted or scanned with a laser scanner, photogrammetry or with clinical
computer tomography (CT) or magnetic resonance imaging (MRI) to obtain a patient-specific 3D
object that is used to produce a cast or in recent years to 3D print the cast 64,65. An anaplastologist is
specialized in producing and personalizing the prosthesis and its color. Patients with prosthesis are
required to remove it daily to clean the implant area to prevent infections. Several prosthesis with
different shades of skin tones might be required for a natural look during the seasonal changes.
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Figure 1.6. Ear prosthesis used to replace the external auricle. A, B shows the silicon prosthesis and
the ear retiner structures. C shows the post-operative titanium dowel which anchors the prosthesis. D
and E illustrates the patient appearance with the prosthetic ear. Reproduced with a permission from 63.
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1.4 Tissue engineering
Tissue engineering (TE) applies the knowledge and principles from the fields of biology and
engineering to regenerate, maintain, or enhance any type of damaged or diseased tissue. TE can be
defined as the use of any combination of cells, biocompatible materials, biochemical factors and/or
biophysical stimulation such as mechanical and electrical stimulation in the effort to repair damaged
or diseased tissues 66. TE technologies are considered as part of the developing field of medical
research called “regenerative medicine,” which additionally includes self-healing and assisted selfregeneration such as cell and gene therapies. TE approaches are beginning to shift towards
regenerative medicine to illustrate the primary end goal of the treatment rather than the tools to realize
this goal, and these two terms are often used as synonyms. In this thesis, the term “tissue engineering”
is preferred to illustrate the combination of cells, biomaterials, and biomolecules to develop clinically
applicable methods for tissue regeneration via bioprinting processes. The traditional TE schematic
applied to the auricular reconstruction via bioprinting manufacturing process is illustrated in Figure
1.7.

Figure 1.7. Schematic illustration of the auricular TE cycle with autologous cell therapy. The process
starts with a collection of a patient’s biopsy from which the chondrocytes are isolated and expanded in
vitro. Within a few weeks, the cells proliferate to sufficient extent to be used to populate the TE
auricular graft. The cells are mixed with the biomaterials to form the bioink that is suitable for
supporting cell activity and function. This bioink can be dispensed via bioprinting approaches to
reconstitute an ear shape that is unique to the patient. Once the bioprinted graft is crosslinked to
obtain the desired initial mechanial properties, it is cultured in an incubator or in a bioreactor. The ear
graft can be exposed to small molecules and morphogens or to the physical stimulation in a
bioreactor, which can activate the cells to produce the phenotypic cartilage matrix before the clinical
reconstruction of the ear.

28

TE is expected to provide functional organs and complex multi-tissue body parts in the near future,
which is a compelling scenario. However, decades of research in TE has not resulted in a significant
number of clinical products for the benefit of patients. This low translation rate has been related to the
complex manufacturing procedures and limited understanding of the biological processes while these
approaches are subjected to tight safety and efficacy regulations that often require multiple preclinical
and clinical trials. Murphy et al. illustrated how the complexity of the tissues and organs can be
categorized in order to understand the limitations of the current bioprinting technologies (Figure 1.8)
67
. As illustrated by the categories, the complexity of the tissue structures and functions increases
towards solid organs. The most structurally simple tissues such as skin and cartilage mainly provide
the shape and integrity required to maintain the structure. The hollow tube organs can be more
functional and a physiological similarity to the replaced tissue is important. The most complex organs,
which are composed of multiple cell types that interact in confined space while providing life
sustaining functions, are still too complex to be manufactured and sustained in vitro. Furthermore,
these organs must be fully developed and functional at the time of the implantation. Reconstruction or
manufacturing such organs requires further development of current technologies. Currently,
bioprinting of simple 3D structures is feasible. Both skin and cartilage-like constructs have been
produced for preclinical studies, while there are no current clinically applied bioprinted products
available. There are, however, some biofabricated TE clinical products for autologous reconstruction
of skin (Epicel, Genzyme), (Apligraft, Organogenesis Inc) and articular cartilage 68 (MACI, Vericel;
NeoCart, Histogenics; Novocart3D, TETEC), and several other products are in various stages of preclinical and clinical evaluation. These simple 3D tissues such as cartilage, consisting of only one cell
type, can be expected to be the first bioprinted clinical tissue.

Figure 1.8. Illustration of the different categories of tissue and organ complexity, including twodimensional tissues, hollow tubes, and solid organs 67. Each category has bioprinted examples of such
tissues. Currently, the most simple two-dimensional and hollow tube tissues are feasible to bioprint.
Structures such as bioprinted cartilage 69,70, skin 71,72, bone73 and heart valves74 have been produced in
vitro. The solid organs and other functional hollow tubes are beyond the manufacturing capabilities
today. Reproduced with permission from 67.
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1.4.1 Cell sources
The first and the most important part of a cell-based TE approach is to select the right type of cell and
biopsy sources for the products. There are two major categories of cell sources in TE products: 1)
allogeneic cells from another human donor or 2) autologous cells from the individual patient. The
isolated cells from the donor source can be categorized as primary cells, stem cells in various levels of
potency, or progenitor cells, which are committed to a specific tissue type. These allogeneic and
autologous cell types can be used in TE applications.
1.4.1.1 Allogeneic cell sources
All the cells isolated from one individual and implanted into another of the same species are called
allogeneic 75. The allogeneic cell therapies can have great potential in clinical TE due to the fact that
one patient’s cells or pooled cells from multiple donors can be used to treat hundreds or thousands of
patients. These in vitro cultured cells can then be cryopreserved in cell banks for off-the-shelf use,76
and specific allogeneic cells lines have been established 77. Some allogeneic clinical products are
available including Apligraft (Organogenesis, Inc) and Dermagraft (Smith & Nephew) for skin
treatments, and clinical trials such as POSEIDON have been initiated to treat ischemic
cardiomyopathy 78. A recent survey reported that, out of 1142 patients treated in 2010 with novel
cellular therapies in Europe, 504 (40%) were treated with allogeneic cells 79. Despite the clinical
application of allogeneic cells, there are prominent concerns to use these therapies related to the
possible transmittance of infectious diseases and viruses such as the human immunodeficiency virus
(HIV) between the patients and the acute immune-rejection toward the implanted cells 80. Active
research in allogeneic cell therapies has revealed several cell types such as mesenchymal stem cells
(MSCs), which can evade and suppress the host immune system via several methods 81. MSCs can
evade the immune system with low expression levels of HLA class I and II 82. Furthermore, MSCs
have been shown to produce extracellular vesicles and cytokines to suppress natural killer cells and T
cell function and proliferation capability 83,84. For these reasons, most studies on allogeneic cell
sources employ progenitor and stem cells, which can be transplanted with lower possibility for host
rejection. Both of these cell types have been extensively studied for clinical applications, and several
preclinical and clinical proof-of-concept studies have been conducted 85,86.
Stem cells are multipotent hematopoietic (blood derived) or stromal (isolated from connective tissue)
cells that reside in nearly all the tissues in the body 87. Several sources such as bone marrow, adipose
tissue, trabecular bone, periosteum, synovial fluid, and muscle tissue have been characterized for
isolation 88. The most common isolation sites for MSCs are bone marrow and fat tissue. The number
of MSCs in bone marrow are in the order of hundreds of cells in a milliliter of marrow, whereas
adipose-derived cells can yield up to tens of thousands per milliliter of adipose tissue 88. The high
isolation yields and proliferation capabilities of MSCs offer interesting properties for several TE
applications where often hundreds of millions of cells are used for each treatment, thus decreasing the
in vitro cell expansion periods 89,90. Nearly 350 clinical trials have been conducted with MSCs and
190 (54%) of the trials have utilized allogeneic MSCs in these therapies 81. Despite the vast number of
clinical trials, the main concerns for employing MSCs in TE are their perceived potential for
tumorigenesis 91 or differentiation into undesired tissues 92. Pelttari et al. cultured primary articular
chondrocytes and MSCs for cartilage differentiation in common chondrogenic media. The authors
showed how the differentiated MSCs produced stable cartilage in vivo, whereas incompletely
differentiated MSCs produced significant amounts of hypertrophic collagen type X and were
calcified. This study suggests that the development of a long-term chondrogenic environment in vivo
could prolong the MSCs’ differentiation period, thus improving the cartilage stability 93. Based on
similar observations, several MSCs and chondrocyte co-culture techniques have been developed to
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promote cartilage-specific molecular environment 94,95. It has been previously shown that a co-culture
of primary chondrocytes with the MSCs can decrease the expression of hypertrophic markers such as
collagen type X, alkaline phosphatase, and MMP-13 96. Primary chondrocytes have been shown to
secrete parathyroid hormone related peptide, which can have an anti-hypertrophic effect 96. Such coculture techniques could be used in TE applications to improve the quality and stability of the
synthesized cartilage-like tissue.
Progenitor cells are considered one of the main cells in tissue development and in restoration and
recovery of damaged tissues 97. Progenitor cells, like MSCs, have the capability to differentiate into
specific cell types while progenitor cells have limited differentiation capabilities to predetermined
tissues 98. This limited differentiation capability could improve the safety of the TE applications
utilizing progenitor cells. Progenitor cells are commonly isolated from the same tissue source to
which they are intended to be applied, and several isolation sites have been reported including brain, 99
blood,100 articular cartilage 101 and auricular cartilage 102. The cell yields from the isolations are often
limited and extensive cell passaging is required. Progenitor cells can be extensively passaged but they
lack the unlimited passaging capability of MSCs. This limitation increases the donor tissue demand
for large scale production 103.
Primary cells or differentiated cells as an allogeneic cell source are commonly associated with
immunogenic response and host rejection 80. However, chondrocytes have been extensively studied
for the use in allogeneic TE approaches due to their low immunogenicity, and several studies have
investigated the immunogenicity of juvenile 104,105 and adult human chondrocytes 106. These studies
have supported the evidence that these cells are non-immunogenic and suitable for allogeneic clinical
applications. Juvenile cartilage tissue with viable chondrocytes have been clinically applied to
articular cartilage regeneration (DeNovo®NT, Zimmer) without reported host rejections 107. Recent
study by Arzi et al. demonstrated location-specific immunogenic host response to allogeneic implants
in patella and throclear regions. Their findings suggested that the allogeneic chondrocytes are immune
protected only in specific locations thus immunoprivilege of these cells should be reconsidered 108.
1.4.1.2 Autologous cell sources
Autologous cell source can be any cell type from the patient him/her self. Autologous cell therapy
approaches can provide several safety benefits for patients and ease the regulatory challenges 109.
Safety benefits associated with these therapies are the prevention of viral or infectious disease
transmittance and the ideal immunological acceptance. Autologous cells were reported to be the most
utilized cell source for the cell therapies in musculoskeletal repair applications in Europe (93%)
mainly used in bone and cartilage repair 79. Despite the wide use of autologous cells, there are a few
isolation and cell expansion related limitations with the autologous cells. The autologous TE
approaches are more complex and less reproducible in the graft manufacturing process due to
individual donor variability in age, sex, and various medical conditions, which can all contribute to
the changes in cell activity, availability, and behavior in in vitro cultures 110–112. Furthermore, the cell
isolation from the patient might not be possible due to the treated medical condition, which can have
systemic effects. For example syndromic microtia might affect the gene expression of all neural crest
originated chondrocytes 19,21 or osteoarthritis and joint inflammation might affect the chondrocytes
function which can prevent biopsy harvest from the non-load-bearing cartilage 113,114 and autologous
use of such cells.
Primary cells in cartilage, the chondrocytes, have been isolated and clinically applied for autologous
cell therapies from sources, including articular 115,116, nasal 117,118 and auricular cartilage 119–122. These
cells have been used in clinical applications; thus, the safety and efficacy of these cells have been
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widely investigated. One of the major obstacles of wider clinical use is the limited biopsy size and the
limited expansion capability of these cells. Cartilage has low chondrocyte density of approximately
2% of total volume in articular cartilage 2 and 15% of the total volume in auricular cartilage, which
limits the isolated chondrocyte amount 8,123. The expansion capabilities of primary chondrocytes are
known to be limited and dedifferentiation takes place in conventional monolayer culture conditions
124
. Chondrocytes are known to dedifferentiate into fibroblast-like cells, thus decreasing the gene
expression of collagen type II and GAGs,125 which can lead to inferior neocartilage formation in TE
products. Several techniques using defined growth factor cocktails and blood-derived components
have been investigated to overcome dedifferentiation issues 126–128.
Autologous cell therapies may also consist of MSCs or progenitor cells with the same potential safety
concerns as in allogeneic applications. However, several autologous MSC treatments are available
where patients’ cells are harvested, isolated, and applied in one surgical operation to prevent long ex
vivo cell expansion and other cell handling. The MSCs in these therapies are categorized as minimally
manipulated cells, so they can be used without any clinical trials or safety studies in clinical
applications 129. This unique regulatory status has encouraged several new TE approaches utilizing
minimally manipulated components such as MSCs with platelet-rich plasma (PRP) and/or platelet
lysate 130,131. Future outcome and follow-up studies will provide more information and understanding
of the risks and benefits of such autologous MSC treatments which can potentially accelerate stem
cell use in other clinical products.
1.4.2 Biomaterials
Biomaterials used in TE grafts can be found from each large material group, including metals,
ceramics, and polymers. Biomaterials are defined as “a natural or synthetic material that can be
introduced into living tissue especially as a part of a medical device” according to Merriam-Webster
Medical Dictionary. This definition could be broadened to include biological and hybrid bio-synthetic
combination materials. In this thesis, only the most relevant biomaterial group for TE and
biofabrication, the polymers, are discussed and evaluated for their applicability 132. Polymers used in
the TE applications can be subcategorized into synthetic polymers and naturally derived polymers,
also known as biopolymers 75. Synthetic polymers are often more stable and bioinert 133. Their
chemical and mechanical properties are more reproducible in batch-to-batch variations due to high
reproducibility of the manufacturing processes. However, this class of polymers has been shown to
cause immunogenic responses such as inflammation; in some cases, they are rejected outright 134,135.
Synthetic structures have been shown to be encapsulated with a dense connective tissue if the body
cannot resorb or expel the material inducing the foreign-body reaction 133. The rejection can lead to
extrusion of the synthetic material through the skin, and it is a common complication with the
synthetic external ear reconstructions 136. Hwang et al. demonstrated a technique to improve the
synthetic PE ear reconstruction scaffolds’ (Medpor) biocompatibility by a spray-in fibrinogenthrombin mixture with expanded rabbit auricular chondrocytes (40 x106cells/ml) 136. The PE implants
with and without chondrocyte covers were cultured in vivo in an immunocompromised nude mouse
model, and significant improvement in blood vessel formation and host skin interactions was
observed in cell-laden constructs. The biocompatibility and functionality of the synthetic polymers
can be also improved by introducing cell adhesion sites such as RGD peptides or to enable cells to
decrade the polymer networks by introducing MMP cleavable peptide sequences 137,138.
Biopolymers are derived from mammalian, plant, or microbial sources 139. Generally speaking, the
mammalian tissue-derived biopolymers are enzymatically biodegradable and play active roles in
tissue regeneration. These natural polymers can introduce more functionality and biocompatibility to
the TE scaffolds. For example, Culty et al. reported that hydrophobic domains of the hyaluronic acid
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macromolecular chain interact with CD44 binding domains mimicking how the cell receptors interact
with native tissues 140. This binding domain can be exploited as a native cell anchoring point to the
polymer network. These and other interactive domains enhance the functionality of the unmodified
biopolymers and in comparison with synthetic polymers, make them more biocompatible. Both
biopolymers and synthetic polymers are further discussed in this thesis under the sections
thermoplastic polymers and hydrogels due to their distinct differences in fabrication processes and
functionality in various TE applications 141–143.
1.4.2.1 Thermoplastic polymers
Thermoplastic polymers are named after the thermal manufacturing processes where increased
temperatures are applied to increase their plasticity for modification 144. The most common
thermoplastic polymers include PE, poly(ɛ-caprolactone) (PCL), poly L-/D-lactide acid
(PLLA/PDLA) and polyglycolic acid (PGA). Many of these materials have been in clinical use for
decades in polymeric implants and medical products such as absorbable sutures and screws 133. Hence,
the wealth of clinical evidence about the biocompatibility and tunable biodegradation could help
accelerate clinical approval of their bioprinted counterparts 133,144. Currently, the limitations of these
biomaterials are mainly related to their use in cellular processes with elevated temperatures and high
mechanical strength and elastic modulus (E-modulus) 145,146. Thermoplastic polymers are always
thermally processed (T > 40°C), which makes them incompatible with direct cell embedding
techniques that would compromise the cell viability. Several post-processing cell seeding techniques
have been developed to cover the scaffolds 135,147. However, post-processing cell seeding has often
been shown to be insufficient to provide homogenous cell distribution and concentration in the grafts
148–150
. For this reason, several composite bioprinting processes have been introduced where the
thermoplastic polymers are co-extruded with the cell-laden hydrogels 69,136,151. With these methods the
thermoplastic polymer scaffold can be interlaced (or interlayered) with cell-laden hydrogels dually,
thus providing a robust structure to withstand mechanical loading and better distribution of cells
throughout the scaffold. Studies have demonstrated how the mismatch of these materials’ mechanical
properties and the hydrophobicity of the lactide acid based thermoplastic polymers can lead to poor
mechanical and chemical interactions with the hydrogels 146,152,153. However, the latest developments
in the field have yielded promising results in binding the components together via chemical
substitutions 154,155. New approaches employ chemical crosslinkers to the thermoplastic polymer
chains that initiate the crosslinking reaction upon exposure to external stimuli like visible or
ultraviolet light 154. Co-extrusion of such modified thermoplastic polymers with similarly modified
hydrogels can greatly increase the structural integrity due to polymer network interactions between
the material types. These modifications and the use of active radical forming initiators can propose a
significant regulatory hurdle for such approaches to be used in the clinical reconstructions, as they
may propose added risks to the adjacent tissues 156,157. Table 1.3 summarizes the main advantages and
disadvantages of the most commonly used biocompatible thermoplastic polymers and their suitability
for biofabrication processes.
Table 1.3 Summary of the advantages and disadvantages for suitability to bioprinting processes of
common biocompatible thermoplastic polymers.
Thermoplastic
polymer
Poly(Ɛcaprolactone)
(PCL)

Advantages

Disadvantages

Ref.

FDA approved for various medical
applications.
Low melting temp. 50°C–60°C is
suitable for bioprinting processes
with cell-laden hydrogels.

Poor wettability and limited cell
adhesion. Slightly acidic degradation
products and slow degradation rates
(years).

144,155
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Polyethylene (PE)

FDA approved for various medical
applications.
Bioinert and has no degradation in
vivo.

Hydrophobic surface (poor wettability)
can lead to poor tissue integration (high
rejection risk).
Melting temp 115°C–130°C is not
suitable for parallel cell-laden hydrogel
printing.
Low density PE lowest E-modulus 100–
500MPa
High density PE E-modulus 400–
1500MPa
Ultrahigh density PE E-modulus 1000–
2000MPa

133

Poly L-lactic acid
(PLLA)/ Poly Dlactic acid (PDLA)/

FDA approved for various medical
applications.
Degradation products physiological
metabolites.
Tunable degradation kinetics.
Suitable for AM processes.

Acidic degradation products.
Melting temp 170°C–180°C is not
suitable for parallel cell-laden hydrogel
printing. Requires post-process cell
seeding or hydrogel filling.

144,145

1.4.2.2 Hydrogels
Hydrogels can be defined as highly hydrated polymeric networks that are partially insoluble due to
their high degree of crosslinking 158. Hydrogels commonly hold up to 80%–99% water, which is
comparable with the ECM composition in many soft tissues 159. Hydrogels can be categorized into
synthetic (polyethyleneglycol (PEG), polyoxasolines and poloxamers) or natural, biologically
derived/produced (alginate, hyaluronan, gelatin and collagen) depending on the material source.
Furthermore, the polymer network density and achieved mechanical properties can be modified by
alternating the source, molecular weight, concentration, and crosslinking methods to mimic the native
ECM of the intended tissue 160,161. The intended mechanical properties and chemical structures of the
hydrogel will affect the cells’ capabilities to interact, adhere and remodel the hydrogel. Wen et al.
illustrated that the mechanical properties of the surrounding hydrogel can guide and stimulate MSC
differentiation where mechanical stiffness at ~4, ~13, and ~30kPa corresponded to adipose, muscle,
and osteoid tissues, respectively 162,163.
Synthetic hydrogels are composed of bioinert networks that are chemically synthesized and can be
easily modified via chemical grafting with functional motives. Several modifications that can affect
the mechanical properties, cell adhesion, network degradation, and multitude of different chemical
motives to interact with soluble factors such as growth factors have been introduced 138,164–166.
Synthetic polymers are often referred to as blank structural networks; thus, the TE field has
extensively studied synthetic hydrogels in in vitro model systems to investigate how cells respond to
substrates and furthermore, how substrates influence cell behavior 166–169. Synthetic hydrogels often
have limited biological responses by attenuating cellular and protein interaction. There has been
increasing interest in developing synthetic hydrogels for bioprinting processes to obtain more
reproducible bioinks 170. Synthetic polymers can provide more reproducible rheological properties and
uniform crosslinking networks, thus improving bioprinting approaches. However, the chemically
modified hydrogels are associated with limitations such as the upscaling of the chemical modification
processes, biological response to synthetic materials, and regulatory challenges with chemically
modified materials with potential residual monomers or solvents that are often cytotoxic 171. Table 1.4
lists most common synthetic hydrogels currently used in biofabrication processes with related
advantages and disadvantages.
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Table 1.4. Advantages and disadvantages of the synthetic hydrogels investigated in TE applications.
Hydrogel

Advantages

Disadvantages

Ref.

Polyethyleneglycol
(PEG)

High biocompatibility and known
ester hydrolysis degradation.
FDA approved for various medical
applications.
Suitable for bioprinting processes.

Lack of biological cues and binding
sites (Bioinert).
Requires chemical modifications for
crosslinking and cell adhesion.
Requires multi-material bioprinting
approaches.

164,166,172

Poloxamers
(Pluronic, Lutrol)

Optimal rheological properties in
room temperature.
Thermal sol-gel transition.
FDA approved for oral drug
excipient applications.
Established for transient support in
bioprinting processes.

As surfactant cytotoxic to cells in high
concentrations (>5%).
Requires chemical modification for
stable crosslinking.

171,173

Natural polymers or biopolymers are composed of polymer chain sequences that can be either derived
from biological samples such as mammalian tissues and plant structures or produced via bacterial
cultures. There are multiple plant-derived polymers such as alginate, agarose, carrageenan, starch, and
cellulose which have been utilized in TE approaches 174–178. These polymers are extracted from several
plant structures with various techniques, which can influence the raw material properties based on the
plant growth location and the growth seasons 179. Similarly, variations in the extraction protocols can
change the polymer molecular weight and molecular weight distribution also known as the
polydispersity index (PDI) 179. These parameters introduce batch-to-batch variations and changes in
the raw material quality. Similar to plant-derived polymers, multiple polymers are extracted from
animal synthesized materials, including silk, spider silk, and chitosan, which have all been utilized in
TE studies 180–182. These material properties can be affected by the environment and condition of the
organism, which can result in significant variations in the extracted materials such as a high PDI.
These materials often require further purification such as removal of sericin from the silk fibers,
which is a harsh chemical process that can affect the final product properties due to molecular weight
degradation 181,183. The most abundant natural biopolymer sources are mammalian tissues from which
biopolymers, including hyaluronan, collagen or gelatin, chondroitin sulfate, fibrin, and heparin, are
extracted 184–186. Hyaluronan and collagen are among the most utilized biopolymers in TE, and both
materials have been used in several clinical applications 117,187. These materials are commonly animal
or human derived. After thorough purification procedures, the amount of antigens and other
immunogenic molecules can be quantified below the accepted criteria 188. However, this may affect
the average molecular weight of the polymer. Bacterial production of polymers is done via viral
infection with genes promoting the desired biopolymer production or natural fermentation 189. This
practice has been extensively used in recombinant protein production and in the production of
polymers, including dextran, gellan gum, xanthan gum, cellulose, and alginate 190,191. In fact, over
2000 tons of dextran and 100,000 tons of xanthan gum are annually produced 189. The bacterial
synthesis of polymers can yield the most reproducible molecular weight and narrow PDI from the
previously described extraction methods. These production methods are important for the
reproducibility of the rheological properties of bioinks, which are significant factors in the
standardized bioprinting processes. However, the bacterial lysis after the polymer manufacturing can
leave residual endotoxins and spores within the polymer that must be carefully removed to limit the
exposure to these components. Table 1.5 summarizes the main advantages and disadvantages of the
most common naturally derived hydrogels use in TE approaches.
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Table 1.5. Advantages and disadvantages of natural hydrogels investigated in TE applications. Table
has been adapted from 132.
Polymer
Plant origin
Agarose

Advantages

Disadvantages

Ref.

Thermoresponsive (Sol-gel 30°C–
40°C, melting temp 80°C–90°C).
Slow degradation in vivo.

Forms brittle gels.

139,192,193

Alginate

Mild and tunable crosslinking
conditions with cations. Suitable to
cell-laden bioprtinting. Slow
degradation in vivo. FDA approved
for various medical applications.

Mechanical weakness and reversible
cationic crosslinking. No natural cell
binding sites. Difficult to sterilize. Raw
material variations.

194

Cellulose

Suitable for bioprinting as
viscosupplement. Good
biocompatibility.

No direct crosslinking without
modification. Early stage investigation
for TE use.

177,139

Used extensively in clinical sutures
historically. High mechanical
strength. Slow biodegradation.
Highly reproducible polymer
structures.

Contamination of residual sericin may
elicit inflammatory reaction.
Complex utilization into bioprinting
approaches. Availability of the silk.
Complex upscaling of the production.

181,182

FDA approved for various medical
applications. Low antigenicity and
excellent biocompatibility.

Rapid biodegradation and low
mechanical properties. May elicit local
inflammatory reaction.

195

FDA approved for various medical
applications. Natural crosslinking
with thrombin.
Easy chemical modification of the
backbone. Extensively investigated
for bioprinting.
FDA approved for various medical
applications. Natural cell binding
sites. Excellent biocompatibility.
Easy chemical modification of the
backbone. Abundant in multiple
ECMs.

Rapid biodegradation.

196

Denaturation may affect protein
structure and cell response.

197,198

Low MW degradation products can
elicit inflammatory reaction. Rapid
biodegradation in the presence of
inflammation. Suitable for bioprinting if
modified, no natural crosslinking
mechanisms.

187

Enhanced PDI and tunable
properties via G/M block ratios.
Mild crosslinking conditions with
cations. Suitable to cell-laden
bioprtinting. Slow degradation in
vivo. FDA approved for various
medical applications.
Similarity to natural GAGs. Easy
chemical modification of the
backbone.
FDA approved for various drug
delivery applications as oral
excipient. Bioinert and slow
degradation in vivo.
Thermoresponsive gelation and
cationic crosslinking. Suitable for
cell-laden bioprinting.

Mechanical weakness and reversible
cationic crosslinking. No natural cell
binding sites. Difficult to sterilize.
Possible endotoxin residues.

199,200

Early stage investigation for TE use. No
direct crosslinking mechanisms.
Possible endotoxin residues.
Early stage investigation for TE use.
High processing temperature (>90°C).
Possible endotoxin residues.

201

Animal extracts
Silk (larva and
spider)

Mammalian
origin
Collagen

Fibrin

Gelatin

Hyaluronan

Bacterial extracts
Alginate

Dextran

Gellan gum

202,203
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1.4.2.3 Crosslinking mechanisms of biomaterials
Regardless of the polymer origin, hydrogels must be crosslinked during or after the manufacturing
process to obtain stable mechanical properties. Crosslinking occurs via physical or chemical means or
a combination thereof. Physical crosslinking types are commonly divided into ionic, stereocomplex,
and thermal crosslinking, which are weak and often reversible interactions based on electrostatic,
hydrophobic, or hydrophilic interactions, H-bonding, or van der Waals forces that affect the intrinsic
interaction of the polymer chains 204. Ionic crosslinking is primarily based on van der Waals forces
and electrostatic interactions between the positively charged ions and negatively charged
biopolymers. These crosslinking conditions are mild, thus providing excellent cytocompatibility while
preserving the cells ability to migrate and remodel the matrix 205. However, ionic crosslinking
produces hydrogels with low mechanical properties due to constant reflux and interaction of the
crosslinking ions with the solvent. Ionic crosslinking is a rapid surface-initiated process that initially
preserves the gel dimensions and the slow cation diffusion process 206,207 continues until the ionic
diffusion reaches the center of the structure and osmotic balance is reached. The ionic crosslinking
strength can be modified by alternating the ionic source, concentration and exposure time due to
diffusion-limited ion uptake 208–210. Stereocomplex crosslinking is a specific interaction only when
oligomers of opposite chirality interact with each other and a typical example for such crosslinking is
PLLA and PDLA interaction, which relies on stereoselective van der Waals forces to form the
physical hydrogel. This crosslinking mechanism is generally well-tolerated by cells, but its relatively
slow crosslinking processes and low mechanical properties limit the feasibility of this crosslinking in
bioprinting applications 144. Thermal crosslinking is widely utilized in bioprinting approaches with
polymers that exhibit several solubility regions, according to the ambient temperature of the system,
and undergo temperature-driven gelation transition, thus the name thermoresponsive hydrogels. This
gelation region, so called sol-gel transition, where the solution changes its state from liquid to solid
can be found in multiple different ranges. Some polymers have chemical structures that promote this
behavior (pluronic, gellan, gelatin, agarose) and others can be modified via chemical grafting to
behave similarly due to side-chain-driven collapse of the network 211. In TE, the polymer networks
with sol-gel transition below the physiological 37°C are often utilized 212,213. One natural example of
this crosslinking type is gelatin gelation occurring at 25°C via formation of reversibly crosslinked
network mainly due to helix formation and polymer entanglements when cooled down from melting
temperatures 214,215. In contrast, poloxamers experience sol-gel transition when the ambient
temperature is increased to over 20°C–30°C, where hydrophobic polymer blocks are initially soluble
but become increasingly co-located to minimize the interactions with the solution eventually forming
micelles with hydrophobic cores that form a colloidal semi-solid system 171,173. It is possible to
engineer such thermorespose to several polymers via introduction of poly(N-isopropylacrylamide)
(pNIPAAM) grafting where the lower critical solution temperature (LCST) illustrates the reversible
collapse of the polymer network at 30°C –35°C due to exclusion of the water from the polymer
network 211,216,217. Via increasing the polymer concentration or grafting density, the LCST region can
be shifted to lower temperatures 218. All of the described physical crosslinking methods are naturally
occurring, thus, many natural polymers undergo such crosslinking spontaneously, which can be used
as an advantage in bioprinting applications.
Chemical crosslinking is based on covalent bond formation between the polymer chains to interlock
the polymer network irreversibly, thus, high mechanical properties and stability can be achieved with
these crosslinking techniques 219. Chemical crosslinking requires modification to the polymer
network, where active groups such as meth-/di-/acrylate or tyramine have been grafted to enable
crosslinking via light 220,221 or enzymes, 165,222, respectively. Other chemical groups such as amines
and aldehydes (Schiff-base 223,224) or acyl and ketone (michael addtion 225,226) have been grafted to
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polymer chains to initiate crosslinking between the chemical groups. These polymer substitutions
have been introduced to natural and synthetic hydrogels. New chemical modifications and alternative
crosslinking methods are being constantly introduced to the bioprinting processes 170,227. However,
chemical crosslinking techniques such as enzymatic, Michael addition and Schiff-base reactions have
been investigated for bioprinting approaches, but, due to the limitations in crosslinking initiation and
spatial and temporal control, they have not gained a wide application base. Upon development of
coaxial and two component bioprinting nozzles and techniques, these crosslinking methods could be
used in variety of applications providing initiator-free systems, which are cell friendly and
biocompatible.
Extensive research has been conducted to photopolymerize hydrogels such as gelatin methacrylate
(gel-MA) 197,214, PEG-diacrylate (PEG-DA) 164 and hyaluronan methacrylate (HAMA) 184,228 with
promising in vivo data, especially in bone and cartilage engineering. Photopolymerization is a
chemical crosslinking method in which hydrogels are substituted with meth-/di-/acrylate, which can
accept free radicals released from a sufficient initiator upon exposure to a suitable radiation
wavelength. Photopolymerization is conducted in ultraviolet (100–380 nm) or visible light (380–780
nm) to initiate the radical formation. Initiators such as eosin Y, 1-[4-(2-hydroxyethoxy)-phenyl]-2hydroxy-2-methyl-1-propanone (Irgacure 2959) and lithium acylphosphinate salt (LAP) have been
investigated for cell encapsulation in hydrogels 157. These initiators can be divided into type I
(cleaving type), where the photoinitiator dissociated into two radicals upon photon absorption, and
type II (scavenging type), where photon excites the initiator that scavenges a hydrogen atom from
another coinitiator 157. Eosin Y has not been extensively utilized in cell encapsulation processes due to
its limitation being a type II initiator, which requires coinitiators. As type II initiators, eosin Y is
unable to yield enough radicals for sufficient network formation and its exposure regime at green light
500–550nm is not commonly available in commercial bioprinter systems. Irgacure 2959 is a type I
initiator, which has been extensively utilized in cell encapsulation processes despite the known
cytotoxicity and low photon absorption efficacy at the 365nm wavelength 156,229. Recently, LAP has
been introduced as a type I initiator with decreased cytotoxicity and enhanced photon absorption in
the common 365nm and up to 400nm wavelength range. The main benefits of using photoinitiated
chemical crosslinking are the nearly instant crosslinking upon initiation, external control of the
process including spatial and temporal control, and the ability to crosslink layer-by-layer during the
bioprinting processes.
1.4.3 Manufacturing techniques
The latest development in regenerative medicine field is the patient centric approach, more commonly
known as personalized medicine. Personalized medicine is promoted by the medical device industry,
which is at the forefront of this development, as the additive manufacturing has become a real
alternative manufacturing technique for medical devices. Additive manufacturing enables rapid
patient-specific implant design and mass customization of the products without additional
manufacturing costs. Following the development of additive manufacturing techniques, the
bioprinting approaches have been shown to be capable of personalized design and mass
customization. A bioprinted patient-specific TE graft can be created based on the patients’ clinical
image data to provide optimal care for the individual.
Current clinical cell-laden TE products commonly consist of bulk or porous materials with
standardized dimensions 68,200,230,231. Such TE approaches have been developed to be suitable for
simple manufacturing technologies such as casting of cellular materials or cell seeding on the
scaffolds 136,232. These products and processes can soon become inferior or obsolete in comparison
with patient-specific bioprinted products. Figure 1.9 illustrates a comparison of a subtractive and
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bioprinting technique applied to the auricular cartilage graft production. A major benefit of the
bioprinting technique is the reduction of waste materials that consists of expanded cells and
biopolymers. Reduction in the required total cell number and biomaterial volume can substantially
decrease the manufacturing time and costs. Furthermore, chondrocytes have been shown to
dedifferentiate during monolayer cultures 125,233 and superior auricular cartilage production was
observed with less passaged cells 124,234. Bioprinting can offer unique manufacturing opportunities that
can only be realized with additive manufacturing such as internally reinforced structures and complex
channels for vascularization or innervation 235,236.

Figure 1.9. Schematic illustration of subtractive and additive manufacturing techniques. A)
Subtractive manufacturing is based on removing material from a bulk to obtain the final 3D graft,
which results in a significant amount of waste materials. B) Additive manufacturing is based on a
material extrusion process that adds material layer-by-layer according to the digital 3D models.
Additive manufacturing minimizes the amount of waste material.
1.4.3.1 Casting
Casting is an ancient technique to provide form-fit structures with minimal need for post-processing.
Several TE approaches have utilized casting techniques to produce biological 3D structures with cellladen hydrogels 237–241. Manufacturing process of such implants is a time-consuming and laborintensive process and requires a unique mold fabrication for personalized or mass customized grafts.
Rapid development of additive manufacturing techniques have enabled inexpensive and fast negative
mold manufacturing with 3D printing techniques such as stereolitography and selective laser
sintering, which has enabled casting of customized grafts 89,242. This approach offers a fast and
reproducible way to produce personalized TE grafts with a simple and reliable technique. However,
biological or other complex 3D structures with intricate details such as extrusions in multiple
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directions cannot be always casted from one mold construct, which is divided into halves 243. In
patient-specific ear structures, some of the concha features and helix overhangs might not be suitable
for the casting process with a simple mold, but rather several mold sections are required. Khardekar et
al. illustrated a computer-based algorithm to calculate the optimal way to segment the molds for
complex shape casting suitable for automated mass production 244. Complex biological 3D structures,
including hollow and solid organs, can be impossible to manufacture via casting processes; thus, freeform manufacturing methods such as bioprinting are required.
1.4.3.2 Bioprinting
Bioprinting can be defined as the use of additive manufacturing technologies to deposit viable cells
with or without biomaterials in confined spatial arrangements to produce 3D living structures 66. The
main difference between the additive manufacturing and bioprinting techniques is the use of living
cells. Hence, any acellular biomaterial printing is defined as 3D printing. Bioprinting technologies
have been introduced during the last decade, and several technologies are currently in developedment
in academic institutions around the world 245. Bioprinting was discovered with the inkjet technology,
which was first described by utilizing a tabletop inkjet printer modified to host living cell-laden bioink
246
. There have been significant developments and refinements of processes, and currently two major
biofabrication techniques are available: jet printing and direct extrusion printing. Jetting techniques
are further divided into inkjet and laser-induced forward transfer printing, which are based on
technologies to repulse bioink onto a collection plate in small quantities (1–200 picoliter) offering
high-resolution cell deposition 247,248. Due to small volume jetting, these techniques lack large-scale
manufacturing capabilities. Direct extrusion techniques are, on the contrary, technologies that can
continuously deposit several milliliters of bioink per minute. These techniques are suitable for
manufacturing real-size grafts up to large organ sizes with a vast range of bioinks. Due to high
extrusion speeds and cellular bioinks, the spatial resolution is limited to the hundreds of micrometers
range 215,249,250. Extrusion-based bioprinters are compatible with a wide range of bioink viscosities,
which have led to a major adoption rate of these technologies; most current bioprinting is conducted
with extrusion based bioprinters.
Jet printing techniques that are considered bioprinting include inkjet and laser-induced forward
transfer printing technologies. Inkjet printing techniques are capable of controlling small volume
dispensing down to 1–200 picoliters, and single cell printing has been demonstrated with these
techniques; thus, the ultimate resolution for high precision cell printing has been achieved 248,251. Two
inkjet printing methods can be distinguished, which are commonly referred to as piezo-electric and
thermal inkjet printing. In piezo-electric inkjet printing, a mechanical actuator is used to create a
direct mechanical pulse that extrudes the bioink from the nozzle. In thermal inkjet printing, a
microheater is utilized to heat the bioink reservoir leading to evaporation and generation of an
actuator pulse, which ejects the droplets through the nozzle. These techniques have several limitations
such as cell exposure to high-impact energies, the heat generation and evaporation that can cause
significant stress and transient pores to the cell membranes, the long duration of the manufacturing
process for large grafts, and the narrow viscosity limits of these techniques 246,247. The upper limit of
the bioink viscosity is illustrated to be in the order of 0.1 Pa·s -1, which prevents extrusion of high
viscous natural biopolymer bioinks. However, by adapting the current inkjet printer hardware for
bioprinting applications, these techniques could be enhanced to large surface area printers due to the
unlimited number of parallel printing nozzles. Parallel nozzle printing can significantly improve
throughput and manufacturing speeds of the inkjet processes. Inkjet techniques have been extensively
utilized in endothelial tissue bioprinting where a large surface area with a low profile is required,
consisting of multiple layered structures containing a few different cell types 72,246,252. The laser40

induced forward transfer technology is based on the laser energy absorbing layer, to which a laser
pulse is focused, causing local evaporation that generates pressure to propel the bioink to the collector
slide 253. The main advantages of this technique are the high-precision deposition of cell-laden
hydrogels and the nozzle-free printing, which circumvents the shear related issues and cannot clog. It
has been reported that a wide range of bioink viscosities (1-300 mPa·s-1) has been successfully printed
254
. The most significant limitations of the jet printing technologies are the uneven distribution of cells
in the generated drops, the droplet spreading upon arrival to the collector plate, which decreases the
resolution and the limitations in large graft manufacturing. As a consequence of these limitations, the
inkjet and laser-induced forward transfer techniques have not been widely utilized in TE graft
manufacturing, whereas several in vitro models and small-scale manufacturing proof-of-concept
studies have been described 248,251,255,256.
Direct extrusion bioprinting processes have been developed with the aim to provide tools to
manufacture large-scale complex TE grafts. These processes are well suited for bioprinting with a
wide viscosity range of bioinks, spanning from low viscosity solutions to high viscosity pastes 214,257–
259
. Direct extrusion printers can be divided into three techniques based on the extrusion mechanism,
which are pneumatically driven, direct piston-driven and screw-driven extrusion techniques. Only a
few differences between the applicability of these techniques exist, while the main limitations such as
applicable shear forces and printing pressure during the printing process affect all techniques equally.
These pneumatically driven systems are currently the most applied biofabrication techniques, and
several commercial bioprinter manufacturers exist, including RegenHU (Switzerland), EnvisionTEC
(Germany), Cellink (Sweden), and Biobots (USA). The pneumatically driven extrusion systems are
prone to nozzle clogging due to minor bioink inhomogeneities or drying which can prevent further
printing with a constant pressure. The piston and screw-driven printing systems can be applied to
improve the reproducibility of the bioprinting due to decreased clogging issues and direct extrusion
volume control. Furthermore, the screw-driven system can decrease the shear stress applied to the
cells (when screw volume is sufficient); thus, enhanced cell viability can be achieved. The main
disadvantages of the piston and screw-driven systems are their unknown pressure and shear force
during the manufacturing process which directly affects the embedded cells. Finite element models
have been developed to predict material flow and estimate the applied forces 249,250. All the direct
extrusion techniques are suitable for bioprinting into a crosslinking medium , medium with analogous
density to provide instant support 260, or onto a collection plate with co-extruded supports 151,261.
Furthermore, all of these techniques are suitable for co-extrusion of several hydrogels or
thermoplastic polymers for multi material printing or structural reinforcements 152,262.
Bioprinting process is similar despite the applied printing technology and it can be used to produce
patient-specific implants. The bioprinting process generating patient-specific ear grafts is illustrated in
Figure 1.10, where, initially, the patient undergoes some imaging modality such as MRI, computer
tomography (CT), or 3D photogrammetry which can be used to generate high-resolution 3D models.
The obtained patient-specific 3D model is further converted into printing tool path coordinates,
typically referred to as G-code, where the layer-by-layer instructions are defined for the bioprinter
according to the predefined bioink parameters to achieve optimal printing result. Based on the
generated 3D printing instructions, the graft volume is calculated, and the exact amounts of
biomaterials and cells are mixed for the bioink used in the bioprinting process. This exact information
about the required bioink volume minimizes the process waste material which is one of the main
benefits with cell-labed bioinks.
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Figure 1.10. Additive manufacturing process can be applied to produce personalized bioprinted
auricular grafts. This process begins with an image acquisition, which can be conducted with several
techniques, including CT, MRI, or photogrammetry, to produce a specific digital 3D object. This 3D
object must be further converted to a printer-specific G-code file, which guides the printing process
during the production of the auricular graft. This whole process can be automated until the bioprinting
is initiated.
1.4.4 Bioink requirements in bioprinting processes
Bioinks can be any cell-laden materials that are used in any bioprinting processes. In the majority of
TE approaches, the bioinks consists of biomaterials and living cells with or without added small
molecules such as pharmaceutical compounds and growth factors, while, in some instances, bioinks
can consist only of cells or cell aggregates 66,132,142,263–265. One of the main challenge for bioprinting
applications is the development of a biocompatible bioink that is appropriate for cell embedding, in
vivo compatibility and feasible for translation from the regulatory perspective 86,141,142. These
requirements have created a unique set of boundary conditions for bioinks suitable for bioprinting
processes which limit the applicability of conventional biomaterials used in TE. Only the biomaterials
or a combination of several materials with suitable rheological properties, crosslinking kinetics, and
sufficient biocompatibility to support cell function can be applied. The most important bioink
requirement is the biocompatibility to preserve high cell viability post-printing, which is mainly
affected by the shear forces in the nozzle and the direct extracellular pressure caused by the bioink
extrusion process 250. The direct extracellular pressure is, in most cases, solely caused by the applied
printing pressure, and several studies have found a sustainable pressure to be below 300kPa,220,250. The
shear forces on the contrary are affected by the extrusion speed (V/t), nozzle diameter, and the
rheological properties (viscosity and shear behavior) of the bioink 141,215. These parameters require
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careful balancing to achieve the optimal printing results. For example, the decreased extrusion speed
increases the print duration that may be detrimental for the cells without proper environmental control
and nutrient management. Extrusion speed can be increased without changes in shear stress if the
nozzle diameter is increased, which decreases the printing resolution. Finally, the rheological
properties are dictated by the used polymer, its molecular weight, and concentration, which are all
components of the viscosity. Viscosity is temperature-dependent, and the ambient printing
temperature and humidity may have significant effects on the rheological properties of the bioinks,
especially with thermoresponsive materials. Once the bioprinting process parameters are set, the postprinting properties such as cessation of flow (shear recovery) and the selected crosslinking method(s)
must be optimized. These properties affect the shape fidelity and post-printing mechanical properties
of the printed structure 210. To achieve high printing resolution, two component bioinks are often
utilized, where one material is responsible for the pre-printing properties and the second for the postprinting properties and crosslinking 178,215,217. Pre-printing viscosity is commonly achieved with
reversible gel state materials (physical crosslinking), which recovers the gel state post-printing due to
reassembly of the physical crosslinks. The printed structure is later crosslinked with a more stable
crosslinking process of the second polymer via physical or chemical crosslinking. Such techniques
utilize double network hydrogels or interpenetrating networks 70,178,249,266. In summary, the complex
set of parameters impose several restrictions and challenges for the bioink development. Furthermore
bioinks for different bioprinting techniques and for several different clinical applications require
special set of bioink properties.
1.4.4.1 Rheology
Rheology is defined as the study of the flow of matter in a liquid or solid state. Rheology is
extensively utilized in several industries to study flow properties of products that must respond to
external stimuli such as pressure or shear and function in a wide temperature range. The bioprinting
community has increasingly adopted these techniques to characterize the physical properties of
bioinks in a standardized manner. Bioinks are typically viscoelastic materials, which means the total
stress and strain applied to these materials can be divided into storage modulus (G'), representing the
elastic or solid-like behavior, and the loss modulus (G''), representing the viscous and liquid-like
behavior 267. Viscoelastic bioinks can be measured in oscillation to quantify the G' and G'', which
reflects the sol-gel state of such materials and can be used to estimate mechanical properties of solid
gels or in rotation to quantify the viscosity and shear behavior of the bioinks. Oscillation and
rotational measurements can be performed consecutively to represent the whole bioprinting process to
a great extent 155,210.
Oscillatory measurements are typically performed to characterize sol-gel transition kinetics during the
bioink crosslinking and to estimate the fold increase of the mechanical properties from solution to gel
state. These measurements are commonly performed by applying constant strain and stress during the
crosslinking reaction where solution-state liquid-like behavior (G'<G'') is observed before the
crosslinking occurs (gelation, G'=G'') and continues to crosslink in the gel state (G'>G''). Rotational
measurements of viscosity, which illustrate the bioink resistance to flow, are performed in static
stress. High-viscosity bioinks are often exploited in bioprinting due to their resistance to surface
tension-driven droplet formation at the nozzle and the reduction of the deposited structure
deformation post-printing 268. The molecular weight and concentration of the selected polymer(s)
primarily determine the overall viscosity of the bioink if no additives, such as solid particles or fibers,
are mixed. Generally higher bioink viscosity leads to an increase of printing shape fidelity,215 while a
bioink composed of highly concentrated polymers forming dense crosslinking networks with small
pore sizes creates restrictive environments for cell migration, proliferation, and tissue formation. Such
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a prohobitive cell encapsulation can restrict cellular fuctions and ECM deposition during in vitro or in
vivo development 269. To increase the viscosity with minimal polymer density a low concentrations of
high molecular weight polymers can be utilized in the bioinks.
1.4.4.2 Mechanical properties and integrity
Currently, bioinks are characterized with rheological measurements, which are capable of capturing
their properties pre- and post-shear exposure that simulates the printing process 178,185,193,249. However,
rheological measurements cannot reveal bioprinted graft integrity or the final mechanical properties of
the structure. Several process- and bioink-related issues have been identified as possible sources of
printing defects and inconsistencies 210. Inhomogeneities in the bioink viscosity have been been shown
to result in inconsistent line dimensions that can affect the integrity of the produced grafts 210. To
improve the reproducibility and quality control of the bioprinted grafts, some additional mechanical
tests must be conducted to determine which elements of the printing process parameters such as line
spacing, line orientation, and layer height affect the properties of the grafts. Changes in these
parameters can lead to internal structural defects and insufficient line-line or layer-layer adhesions,
which can detrimentally diminish the expected mechanical properties of the grafts 205,210. Mechanical
tests of the bioprinted structures can be simplified to indentation, compression and tension
measurements, which are sufficient to characterize the bioprinted structures. Compression and
indentation tests can be performed to characterize the E-modulus where stress-strain deformation of
the graft is measured to characterize the graft resistance to deformation. These measurements can
reveal crosslinking related issues, internal deformities, and to some extent the line-line and layer-layer
adhesion, where insufficiently bound layers and lines can slip 210,270. Tensile tests are sufficient to
demonstrate bioprinted graft integrity, and the underlaying line and layer adhesion can be evaluated.
Tensile tests can be used to determine E-modulus, ultimate stress, and ultimate strain of the bioprinted
tensile dumbbells, which are standardized for polymers (ASTM D638-14, ISO527). The major
drawback of this measurement technique is principally the relatively large sample dimensions, which
are not always suitable for experiments in vitro or in vivo. Recently several bioprinting approaches
have utilized tensile measurements to evaluate the graft properties and integrity 271,272. Bioprinting
technologies require standardization of testing protocols for quality control of printed structures 271,272.

1.5 Tissue engineering approaches in auricular cartilage reconstructions
External ear reconstruction with autologous costal cartilage is considered one of the most demanding
reconstruction techniques and it is the current standard of care. This complex reconstruction is divided
to multiple surgeries and a steep learning curve for multiple surgical techniques limits the number of
surgeons capable of performing this reconstruction 50. The patient’s rib cartilage is used in the
reconstruction; thus, severe donor site morbidities exist. There has been extensive interest in the TE
community to develop techniques to improve the standard of care for microtia patients by offering
patient-specific cellular therapies. Earliest preclinical TE approach utilizing cells to investigate auricle
reconstruction was introduced by Vacanti et al. in 1997 where a thermoplastic polymer scaffold
seeded with bovine chondrocytes was subcutaneously implanted in a nude mouse model 135. This year
(2017) marks a two decades’ period of development of TE techniques for auricle reconstruction, while
no clinical TE products have been introduced to date 273–275.
Extensive research has been conducted to investigate novel TE auricle reconstruction techniques in
preclinical models utilizing various cell types, including MSCs and chondrocytes 234,276,277. Most of
the preclinical investigations have been conducted with auricular chondrocytes, which are harvested
from healthy ears of multiple animal models 183,232. Recently, several studies have been conducted
with human auricular chondrocytes isolated from healthy auricular cartilage or microtia cartilage
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remnants 234,277. Several studies have demonstrated the microtia cartilage source to be sufficient for TE
reconstruction 124,126,234,278 and to possess a similar phenotype to healthy chondrocytes 123,279. Utilizing
the microtia cartilage remnant as a source for chondrocytes would allow autologous cell therapy
without additional tissue harvest from the patient.
Multiple manufacturing techniques have been introduced to produce the auricle grafts ranging from
injectable materials to bioprinted custom made implants. Recent studies introduced injectable
auricular chondrocyte delivery techniques to create elastic cartilage without biomaterials 122 and with
a pluronic carrier gel 280. Yanaga et al. performed clinical studies with injectable approaches for
auricular 122 and nasal reconstruction 119–121. With these techniques, accurate auricular grafts could not
be manufactured, and subtractive sculpting of the auricle or nasal grafts was necessary. To overcome
the complex sculpting procedures several types of scaffolds, structures, and manufacturing techniques
have been introduced to produce patient-specific TE auricular grafts, which include decellularization
of allogeneic total ear transplants90, electrospinning 281, casting 118,234,238,239,276,282–284, and bioprinting
69,89,151,266,285
. Each of these methods has been demonstrated to be sufficient in clinical-size ear graft
manufacturing. Biomaterials such as thermoplastic polymers (PGA, PLLA, PCL) and hydrogels
(alginate, pluronics, nanocellulose, collagen type I, fibrinogen) have been utilized in these
manufacturing techniques.
Multiple studies, to reconstruct an auricle, have been performed with synthetic thermoplastic
polymers due to their high mechanical properties and clear regulatory status 133,144. These materials
have been extensively applied to TE auricle grafts and studied in immunocompromised rodent models
(mouse, rat) and in immunocompetent large animal models (rabbit, sheep, goat, swine) with variable
results. The resulting preclinical evidence has suggested unsatisfactory results, including brittle and
inflexible structures with signs of foreign body and inflammatory reactions 134,135,283,286,287. On the
contrary, several studies reported high biocompatibility and shape retention with thermoplastic
polymer grafts in both immunocompromised and immunocompetent in vivo models suggesting high
potential for novel solutions for clinical auricle reconstruction 136,147,288–290. These synthetic scaffold
approaches reported mixed results in various animal models; hence, no fully comparable data are
available. Concerns were raised about the acidic degradation byproducts of these polymers and the
signs of foreign body reactions in high stiffness grafts. Hydrogel-based TE approaches have been
introduced to elicit more biocompatible and native elastic cartilage-like mechanical properties using
grafts manufactured from alginate,183,291 Pluronic,280,292 fibrinogen,186,233 and collagen 124,232. Xu et al.
implanted auricular chondrocytes in fibrin gels into an immunocompromised rat model and
demonstrated histological appearance comparable to the native cartilage after 12 weeks in vivo 186.
Similar results were illustrated by Sterodimas and Faria after implanting alginate-silk scaffolds with
chondroprogenitor cells to a rabbit model for eight weeks 183. Despite these promising results, the
mechanical properties at the time of implantation were not described, thus these grafts may be
insufficient for clinical reconstructions where tight skin pocket covers the graft according to the
clinical protocols. Clinical trials, which use some of the aforementioned TE ear grafts, are expected to
follow once the appropriate regulatory certifications are met by the investigators. To complement
such clinical study results, sound localization and hearing improvement studies could be performed
293–295
to demonstrate functional improvement of the hearing.
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2 Scope of the thesis
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2.1 Objectives
The main study objective of this project was to develop cartilage-specific bioinks and bioprinting
techniques, which can be applied to TE. The developed bioprinting techniques were required to be
compatible with chondrocytes and to enable patient-specific graft bioprinting. The developed bioinks
were expected to be printable in high resolution and to provide sufficient mechanical properties for
TE applications while supporting the cell’s fuction within the grafts. The secondary study objectives
were proposed to advance the understanding and knowhow of bioprinting processes, which could be
used to guide the future bioink development and clinical translation of bioprinting techniques.

2.2 Project summary
This thesis presents a development process of bioinks suitable for cartilage bioprinting applications.
The five following chapters represent the main studies conducted during the project, which are
summarized with the main hypothesis, results, and discussion. The developed bioink, composed of
gellan gum and alginate, was demonstrated to be suitable for bioprinting of large cellular grafts and a
sufficient matrix to support chondrocyte function in vitro and in vivo. These findings were obtained
from bioprinting of auricular grafts which could be applied to reconstruct auricle structures in the
future. These promising preclinical studies demonstrated cartilage-like tissue formation in vivo in
small bioprinted bioink constructs (9x9x3mm). Future studies must be conducted to evaluate the
development of the bioprinted auricle grafts in a more clinically relevant model. These studies could
be used to assess the translatability of this technology for the safe and reproducible bioprinting of the
auricle grafts for clinical reconstruction.
2.2.1 A versatile bioink for three-dimensional printing of cellular scaffolds based on thermally
and photo-triggered tandem gelation (Chapter 3)
Bioprinting techniques fabricating scaffolds with a layer-by-layer approach have been applied to
several TE applications with an aim to mimic structurally stratified tissues such as skin and articular
cartilage. Articular cartilage reconstruction with bioprinted bioinks requires high mechanical
properties of the grafts to withstand physiological loading. A novel bioink composed of
thermoresponsive hyaluronan-poly(N-isopropylacrylamide) (HA-pNIPAAM) with methacrylated
hyaluronan or chondroitin sulfate was introduced with covalently crosslinked polymer network to
provide sufficient stability for the grafts. This bioink was used to achieve high-resolution printing in
structurally stable grafts. The thermoresponsive HA-pNIPAAM was eluted from the printed structures
to provide space for the embedded chondrocytes, and it was hypothesized that the gel porosity could
be enhanced via this leaching step. Elution of the transient support HA-pNIPAAM could thereof
enhance cell proliferation and synthesis of cartilage-specific ECM. This tandem gelation technique
utilizing HA-pNIPAAM as a transient support may enable bioprinting of multiple bioinks, which
would not be otherwise printable.
2.2.2 Bioprinting complex cartilaginous structures with clinically compliant biomaterials
(Chapter 4)
Bioprinting enables the fabrication of patient-specific complex tissues and organs. This study
hypothesized that decellularized cartilage particles could be used to promote cartilage-specific ECM
formation in bioprinted cellular grafts. A bioink composed of two natural polymers, namely alginate
and gellan gum, was used to encapsulate articular chondrocytes with commercial cartilage particles
(BioCartilage,® Arthrex) and hydroxyapatite (HA) particles. HA particles were used as bioinert
particles to exclude any physical or mechanical particle-related effects from the comparison. The
study concluded that the bioink+BioCartilage supported chondrocyte proliferation in vitro, while the
TGF-β3 stimulated bioink with or without the presence of particles demonstrated robust cartilage
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ECM production in vitro. The rheological properties of the bioink were suitable for bioprinting
processes, with or without the particles, and the post-printing mechanical tensile tests illustrated stable
and stiff graft properties. Bioprinting properties of the bioink were demonstrated by printing full-sized
auricular, nasal, meniscal, and vertebral disc grafts. This novel bioink supported chondrocyte function
and reconstitution of cartilage-like matrix in bioprinted grafts, thus presenting a promising cartilagespecific bioink.
2.2.3 Internally reinforced bioprinted cartilage constructs (Chapter 5)
Bioprinting technologies are based on free-form fabrication of cell-laden grafts. Current bioinks are
often hydrogel-based thus a wide range of mechanical properties can be achieved; however, the
mechanical properties of solely hydrogel-based bioinks are often insufficient for load bearing
applications. Bioprinting techniques have been utilized to manufacture internal reinforcement
structures that can significantly increase the synergistic mechanical properties of the reinforced bioink
composites. Current reinforcement techniques commonly utilize thermoplastic polymers such as PCL
as reinforcement with several limitations including poor adhesion to the hydrogel-based bioinks and
incompatible mechanical properties for soft tissue appliactions. For example, auricle reconstruction
would benefit from bioprinted structures with sufficient flexibility to mimic the natural elastic
cartilage properties. This study presents a novel bioprinting technique with a reinforcement ink that
was utilized to reinforce cell-laden hydrogel-based bioink. The reinforcement ink was shown to
improve the mechanical properties of the composite structures in a volume-dependent manner. The
bioink alone and the reinforced bioink composite grafts were shown to support cartilage-specific
ECM production in vivo. We presented a reinforcement technique that preserves the high
biocompatibility of the bioink while it can be used to deposit reinforcements within bioink grafts to
improve the mechanical properties of the structures.
2.2.4 In vivo evaluation of bioprinted cartilage constructs (Chapter 6)
A bioink is often considered to be the most important component of the bioprinting process. Several
bioinks have been developed for special TE applications and typically each bioink is optimized for
one tissue type. A cartilage-specific bioink composed of alginate and gellan gum was characterized
and tested in vivo with human auricular chondrocytes. Human auricular chondrocytes from healthy
(HaCh) and microtia cartilage remnants (HaMCh) were embedded within the bioink to investigate the
in vivo respone and cartilage-specific ECM deposition within the bioprinted grafts. The cell isolation
process was comparable with either cartilage source and a sufficient cell yield and high viability were
obtained from both types. The cell expansion process and bioprinting were comparable between the
types while FGF-2 growth factor was used in the HaCh expansion process. Following the 8 to 16
weeks in vivo implantation the histological evidence from the bioink grafts suggested that both
healthy and microtia cartilage chondrocytes produced ECM within the grafts. This ECM was
cartilage-like being rich in GAGs, collagen type I and II at 8 weeks timepoint which improved further
in the 16 weeks samples. Similar trend was observed in the development of the mechanical properties
in vivo. In both studies, the embedded chondrocytes produced an extensive collagen I matrix, typical
in fibrous cartilage, which can be the major contributor to the increased mechanical properties. These
preclinical in vivo results demonstrated that the developed bioink provided a suitable matrix to
support chondrocyte function in vivo. In conclusion, these experiments illustrated the potential of the
bioprinted bioink grafts to support chondrocyte functions to regenerate cartilage-like tissue.
2.2.5 Guidelines for standardization of bioprinting: A systematic study of process parameters
and their effect on bioprinted structures (Chapter 7)
Bioprinting techniques have been extensively developed over the last decade while they have been
applied to TE approaches. Since the early development, the bioprinting techniques have been
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improved by academic research groups but no standardization of the processes or parameters have yet
been developed. As a rapidly developing field, the bioprinting technologies require standardization
and guidelines. This study was conducted to gain knowledge on the direct effects of bioprinting
process parameters to the properties of the manufactured grafts. Printing parameters such as line
spacing and line orientation were systematically altered to demonstrate their direct effect on the
mechanical integrity of the manufactured structures. Results from these studies suggested that the line
spacing is a major factor for a reproducible bioprinting process; thus, a line overlap percentage
concept was introduced. Line orientation was not found to be a major factor in non-reinforced bioinks,
while in the reinforced bioinks it has been shown earlier to be a significant factor. These findings
were summarized to the best practice guidelines for reproducible bioprinting. We further suggested
standardized studies for bioink characterization to provide more comparable details of the existing
bioinks. These standards and guidelines can aid to accelerate commercialization of the bioinks and
bioprinting technologies to various medical applications.
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Abstract
Layer-by-layer bioprinting is a logical choice for the fabrication of stratified tissues like articular
cartilage. Printing of viable organ replacements, however, is dependent on bioinks with appropriate
rheological and cytocompatible properties. In cartilage engineering, photocrosslinkable
glycosaminoglycan-based hydrogels are chondrogenic, but alone have generally poor printing
properties. By blending the thermoresponsive polymer poly(N-isopropylacrylamide) grafted
hyaluronan (HA-pNIPAAM) with methacrylated hyaluronan (HAMA), high-resolution scaffolds with
good viability were printed. HA-pNIPAAM provided fast gelation and immediate post-printing
structural fidelity, while HAMA ensured long-term mechanical stability upon photocrosslinking. The
bioink was evaluated for rheological properties, swelling behavior, printability and biocompatibility
of encapsulated bovine chondrocytes. Elution of HA-pNIPAAM from the scaffold was necessary to
obtain good viability. HA-pNIPAAM can therefore be used to support extrusion of a range of
biopolymers which undergo tandem gelation, thereby facilitating the printing of cell-laden, stratified
cartilage constructs with zonally varying composition and stiffness.

3.1 Introduction
Healthy articular cartilage allows almost frictionless movement of the synovial joints. Focal lesions in
the tissue resulting from high impact mechanical loading from sports injuries or trauma are not
repaired spontaneously due to the limited healing capabilities of cartilage and may progress to include
degeneration of the surrounding tissue 113,296. Hence, surgical interventions are necessary to repair
damage of the articular cartilage surface. One clinical treatment for large cartilage defects is
osteochondral transplantation or mosaicplasty, where the cartilage lesion is filled with an array of
tightly packed cylinders of osteochondral grafts. Although this technique may allow increased weightbearing 297,298, it is hampered by several disadvantages, including scarcity of tissue, donor site
morbidity (for autologous grafts), potential transfer of disease (for allogeneic grafts) and poor
integration with the host tissue and between cylinders. Another main disadvantage is the unavoidable
mismatch in thickness and curvature between the donor cylinders and implantation site. The
fabrication of individual cell-laden osteochondral grafts whose geometry is obtained from MRI data
would have enormous advantages over the current clinical option. Bioprinting is a natural fabrication
method given the stratified nature of articular cartilage, and could improve the functionality of TE
scaffolds by allowing the placement of cells 247,299,300, biomaterials 301–303 and bioactive cues 127,304,305
in 3D space to mimic the native tissue. However, the search for bioinks for use in tissue printing
applications 251,306 which have both good biocompatibility and tailored viscosity transitions for
effective printing and handling continues 307,308. For an extrusion-based process, the bioink should
show shear thinning to allow extrusion through a needle and also immediate cessation of flow upon
deposition on the substrate to retain its plotted shape. Such a material would allow the fabrication of
complex structures with high resolution 220,309. The final mechanical properties of the printed construct
should also be sufficient for manipulation. The different stages of a biofabrication process and the
viscosity requirements for an ideal bioink are shown in Figure 3.1b. Bioinks such as alginate-gelatin
blends 205,310 or pure alginate 205 have been used to generate 3D scaffold structures. These materials
have the advantage of good biocompatibility and cell-friendly ionic/thermal crosslinking without
further chemical modifications of the biopolymers. However, these materials are usually soft and their
mechanical properties decrease over time due to the reversibility of the non-covalent crosslink. It has
been reported that the initial modulus of alginate-gelatin (10 kPa) scaffolds decreased over 60% in 7
days in culture 205. Due to the limitation of these materials, interest in covalently crosslinked
hydrogels has been increasing. Bioinks comprising polymers modified with (meth-)acrylates or
diacetate have been extensively studied for biofabrication purposes. These modifications have been
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conjugated to both natural and synthetic polymers to create methacrylated gelatin (Gel-MA) 197,220 and
acrylated versions of polymers such as poloxamer 171 and PEG 268. The biggest advantage of the GelMA based bioinks is the good biocompatibility and improved mechanical properties with a
compression modulus of ~180 kPa after 30 min of UV exposure 197. For a more extensive review on
the subject, the reader is referred to the recent review from Malda et al. 142. As natural components of
articular cartilage, hyaluronan (HA) and chondroitin sulfate are logical material choices for cartilage
tissue engineering 311–314. Both are used clinically as injections or food supplements and have
purported anti-inflammatory 315–317 and/or immunomodulatory effects 318. Bioprinting of
glycosaminoglycan-based hydrogels, however, is challenging as the precursor solutions of these
materials often have low viscosity and slow gelation kinetics, which result in flow before gelation.
The goal of this study was to investigate the possibility of utilizing natural cartilage components HA
and chondroitin sulfate in bioprinting. We hypothesized that a fast, reversible gelling component
could be added to methacrylated HA and chondroitin sulfate to enhance their printing. Poly(Nisopropylacrylamide) (pNIPAAM) conjugated to HA was chosen as a thermoresponsive polymer as
good cytocompatibility has been reported with nucleus pulposus cells 213, mesenchymal stromal cells
319
and a fibroblast cell line 320. By grafting pNIPAAM onto the HA backbone (Figure 3.1c),
thermoresponsive hydrogels were created that are liquid at room temperature and gel at body
temperature 319,321. The basis of this gelation is the lower critical solution temperature (LCST) of
pNIPAAM, which is ~32 °C 322. The liquid state allows easy loading of the cartridges of the bioprinter
and simplifies the mixing of cells, additional polymers and growth factors, whereas rapid gelation
upon deposition onto a heated substrate ensured the maintenance of the shape of the printed 3-D
structure until the further crosslinking (Figure 3.2). After stabilization of the biopolymer with free
radical polymerization of the methacrylated hyaluronan (HAMA), the HA-pNIPAAM can be eluted
leaving a glycosaminoglycan-based scaffold (Figure 3.2).

Figure 3.1. Theoretical tandem crosslinking process. (a) The variation in G'/G'' is schematically
illustrated for the different stages of bioprinting with a thermoresponsive polymer. (b) The gelation
mechanism in which HA-pNIPAAM forms a physical gel (only the isopropyl groups of pNIPAAM
are depicted).
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Figure 3.2. Schematic illustration of the fabrication of 3-D constructs for cartilage engineering: (a)
thermal crosslinking of the bioink maintains the printed shape; (b) establishment of a mechanically
stable secondary network with UV crosslinking; (c) elution of the transient matrix; (d) implantation
into a cartilage lesion.

3.2 Materials and methods
3.2.1 Materials
2,2-Azobisisobutyronitrile (AIBN), N-isopropylacrylamide (NIPAAM) monomer, N,Ndimethylformamide (DMF), 2-aminoethanethiol hydrochloride, diethyl ether, Dowex Resin M-31,
tetrabutylammonium hydroxide (TBA-OH), dimethyl sulfoxide (DMSO), carbonyl diimidazole
(CDI), sodium bromide (NaBr), pronase, collagenase, methacrylic anhydride, L-ascorbic acid and
sodium hydroxide (NaOH) were all purchased from Sigma Aldrich (Buchs, Switzerland). Chondroitin
sulfate (CS, DSS (degree of substitution (sulfate groups)) = 0.9, MW = 20 kDa, polydispersion index
Mw/Mn = 1.55) was purchased from Kraeber (Ellerbek, Germany). Lithium phenyl-2,4,6trimethylbenzoylphosphinate (LAP) was prepared following the procedure reported by Fairbanks et
al. 157. Dulbecco’s modified Eagle’s medium (DMEM), phosphate buffered saline (PBS), fetal bovine
serum (FBS), antibiotic-antimycotic, Live/ Dead Assay and trypsin/EDTA were all purchased from
Life Technologies (Zug, Switzerland). High-molecular-weight HA sodium salt (HANa, 1506 kDa,
Mw/Mn = 1.53) and low-molecular-weight HANa (293 kDa, Mw/Mn = 1.86) were obtained from
Contipro Biotech s.r.o. (Dolni Dobrouc, Czech Republic). All dialysis membranes used were from
SpectrumLabs (Breda, Netherlands) and the 3-(trimethylsilyl)-1-propanesulfonic acid sodium salt
(MTS) assay was from Promega (Madison, USA). Methanesulfonic acid was obtained from Fluka
(Buchs, Switzerland). Alginate (ProNova UP-LVG) was purchased from NovaMatrix (Sandvika,
Norway). All concentrations are given in weight/volume percentages (% w/v) unless indicated
otherwise.
pNIPAAM-NH2 synthesis: Amino-terminated pNIPAAM (pNIPAAM-NH2) was synthesized by
radical polymerization using AIBN as a radical initiator 212. Briefly, NIPAAM monomer (1.13 g) was
dissolved in degassed DMF together with AIBN (1.6 mg) and 2-aminoethanethiol hydrochloride (11.4
mg). The polymerization was carried out at 70 °C for 6 h under argon atmosphere. The reactant was
precipitated in an excess of diethyl ether and dried under vacuum at room temperature. The precipitate
was dissolved in ultrapure water and dialyzed for 48 h (Spectra/Por 7; molecular weight cutoff
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(MWCO), 8000 Da) in ultrapure water. The dialyzed product was then lyophilized, characterized and
stored until further use. The molecular weight of the synthesized pNIPAAM was determined using a
multi-detector chromatographic system (GPCV 2000, Waters, Milford, USA) equipped with three
online detectors: a differential viscometer, a differential refractometer and a multiangle light
scattering (MALS) Dawn DSP-F photometer (Wyatt, Santa Barbara, USA). The mobile phase was
DMF + 0.1 M LiCl with a flow rate of 0.8 ml min-1, 50 °C and an injection volume of 218.5 ll. The
sample concentration was 2 mg ml-1. Evaluation of the molecular weight of the synthesized polymer
was 24 kDa for the pNIPAAM.
HA-pNIPAAM synthesis: 15 g of HANa was dissolved in 1.1 l of ultrapure water under constant
stirring. Dowex Resin M-31 (120 g) was washed with ultrapure water until the washing solutions
were clear and further soaked overnight in ultrapure water. Water was then removed from the resin
and covered with 70 g of a 40% TBA-OH water solution. The solution with the resin was placed on
an orbital shaker for 1 h, after which the supernatant was removed and replaced with 80 g of fresh
TBA-OH solution and placed overnight on an orbital shaker. After that, the resin was rinsed with
large amounts of ultrapure water until the flow through was clear and the pH was below 10. The resin
was then moved into a gooch filter (No. 2) and water was removed without drying out the resin. The
filter containing the resin was then filled with the HANa solution. The solution was left to flow
through the resin and finally collected and frozen at 20 °C. The product was freeze-dried and
subsequently further dried at 42 °C under vacuum. 2 g of HA-TBA was then dissolved in 160 ml of
DMSO. pNIPAAM-NH2 (3.5 g) was dissolved in 40 ml of DMSO. First, 230 ll of methanesulfonic
acid and then 540 mg of CDI were added to the dissolved HA-TBA and stirred at 42 °C for 1 h. After
that, the pNIPAAM-NH2 solution was added and the mixture was cooled down to room temperature
and the reaction was let to proceed for 48 h under constant stirring. Then 20 ml of saturated NaBr
solution was added dropwise until the reaction mixture turned cloudy and stirred for another 2 h at
room temperature. The solution was then transferred into dialysis tubing (Spectra/Por 6 RC, MWCO
50 kDa) and dialyzed against cold (<13°C) tap water, which was changed every 30 min within the
first 4 h. The dialysis was continued against ultrapure water for 24 h with changing the water twice
daily and then for another 3 days with daily changes of water. The polymer was freeze-dried and
further dried at 42 °C under vacuum for 3 days. The molecular weight of HA was evaluated by
utilizing the same setup as for the pNIPAAM-NH2 (Section 2.2.1). The mobile phase was 0.2 M NaCl
with a flow rate of 0.4 ml min 1, 35°C and an injection volume of 150 ll. The sample concentration
was 0.1 mg ml-1. The molecular weight found was 1506 kDa for the HA. Using this value and the
molecular weight of pNIPAAM, the grafting density of pNIPAAM on HA was estimated by
integrating the peak of the methyl groups of pNIPAAM at 1.14 ppm and dividing the integrated value
of the peaks of HA at 3.00–3.77 ppm. The calculated grafting density was 4.6%, which is comparable
to values in the literature 321.
HA methacrylation: 1% low-molecular-weight HA was dissolved into ultrapure water with gentle
agitation. The pH was adjusted to 8 with NaOH. A 20-fold molar excess (per disaccharide unit) of
methacrylic anhydride was added under vigorous stirring and the reaction was allowed to proceed in
an ice bath for 24 h. The pH was kept constant during the first 3 h of the reaction by adding 5 M
NaOH dropwise. After 24 h the reactant was precipitated into an excess of ethanol and the precipitate
was collected by vacuum filtration. The dried precipitate was dissolved in ultrapure water and
dialyzed for 3 days against ultrapure water (Spectra/Por 5, MWCO 12–14 kDa). The water was
changed every 24 h. The product was freeze-dried and further dried at 42 °C under vacuum for 24 h
and stored at 20 °C before use. Nuclear magnetic resonance (NMR) spectroscopy revealed successful
methacrylation of the HA. The degree of substitution (DS) was calculated by the ratio of the integrals
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of the vinyl protons at 5.6 ppm and 6.1 ppm to the protons from the methyl groups of both HA and the
methacryl residues at 1.9 ppm. The calculated DS was 0.3 (out of four hydroxyl groups per
disaccharide repeat unit).
CS methacrylation: 2% CS was dissolved in borate buffer (pH = 8.5) and reacted with a 15-fold
excess methacrylic anhydride per disaccharide repeating unit at 5 °C. The pH was constantly adjusted
to 8 with NaOH. After a reaction time of 24 h the solution was precipitated into an excess of acetone
and the precipitate was collected by vacuum filtration. The dried precipitate was dissolved in water
and dialyzed (MWCO 3 kDa) against water. The water was changed two to three times per day. The
product was isolated by lyophilization and further dried at 40 °C under vacuum for 8 h. The DS was
determined from the ratio of the proton signals at 5.7 ppm and 6.1 ppm (vinyl protons), and 1.9 ppm
(methyl groups) in 1H-NMR to be 0.5 (out of three hydroxyl groups per disaccharide repeat unit).
3.2.2 Material characterization
Rheology: An Anton Paar MCR 301 (Anton Paar, Zofingen, Switzerland) rheometer equipped with a
Peltier element for temperature control, a thermostatic hood and a UV source (Omnicure Series 1000,
365 nm wavelength, 9.55mWcm2) (Lumen Dynamics, Mississauga, Canada) was used. All
measurements were performed with a cone-plate geometry (diameter 50 mm, angle 1°) under water
vapor saturated atmosphere. The shear recovery experiments were performed by measuring storage
modulus G' and loss modulus G'' at a frequency of 1 rad s-1 and 1% strain (which was established to
be within the linear viscoelastic range), then shearing the sample for 1 s at 100 s-1 before returning to
the oscillatory measurement. For the temperature gelation experiments, oscillatory measurements
were performed at a frequency of 1 rad s-1 and 1% strain. The samples were first equilibrated at 4 °C
for 5 min and then heated at a rate of 0.5 °C min-1 from 4 °C to 40 °C in the case of the pure HApNIPAAM samples and from 4 °C to 45 °C in case of the two bioinks HAMA-HA-pNIPAAM and
CSMA-HA-pNIPAAM. The gelation temperature was taken as the temperature where G' and G'' are
equal. UV crosslinking was performed subsequently for 5 min at 37 °C (after 5 min equilibration
time) with 50% maximum intensity and 3.5 cm distance between the source and the sample.
Swelling: For the equilibrium swelling experiments, gels of 50 µl (n = 5) were created for the two
different bioinks. The gels were immersed in 1 ml of PBS at either 4 °C or 37 °C and incubated for
0.5, 1, 4, 24 and 48 h. After all incubation periods, PBS was removed and the gels were weighed
(mSwollen). The gels were then subsequently lyophilized and weighed again (mDry). The swelling
ratio Q was then calculated as

𝑄=

𝑚𝑆𝑤𝑜𝑙𝑙𝑒𝑛 −𝑚𝐷𝑟𝑦
𝑚𝐷𝑟𝑦

(3.1)

3.2.3 Cell culture and encapsulation
Bovine chondrocytes were harvested from full thickness articular cartilage from the lateral and medial
femoral condyle of 6-month old calves obtained from the local butcher. The cartilage slices were
minced with a surgical blade and the tissue slices were digested for 4 h with 0.2% pronase in DMEM
supplemented with 1% antibiotic-antimycotic in an incubator (37 °C, 5% CO2) under gentle stirring.
Following this first digestion step, the tissue was further digested for 6 h with 0.03% collagenase in
DMEM supplemented with 1% antibiotic-antimycotic under gentle stirring. The tissue was then
filtered first through a 100 µm cell strainer and subsequently through a 40 µm cell strainer. Cell
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viability was found to be above 90%. Passage 0 cells were seeded at 10,000 cells cm-1 in DMEM
containing 10% FBS, 1% antibiotic-antimycotic and 50 µgml-1 L-ascorbic acid. This media
formulation was used in all further experiments. Cells were passaged until passage 4 before
encapsulation. Each passage was done at 80% confluency utilizing trypsin/EDTA and reseeded at
5000 cells cm-2. The medium was changed every 3 days.
Top culture of hydrogels: HA-pNIPAAM was dissolved in PBS and mixed together with chondroitin
sulfate methacrylate (CSMA) or HAMA. The mixing was done at 4 °C to avoid gelation of the HApNIPAAM. As a photoinitiator for the UV crosslinking, LAP was added at a concentration of 0.05%.
Hydrogel solutions of 200 µl volume were placed at the bottom of a 24-well plate and crosslinked for
15 min in an incubator (37 °C, 5% CO2) prior to further crosslinking by utilizing a hand-held UV
source (365 nm wavelength, 22mWcm2, Blak-Ray B 100AP, UVP, USA) for 5 min. Passage 4 bovine
chondrocytes were seeded on top of the hydrogels at 2x104 cells per well. Chondrocytes were left to
adhere for 2 h in the incubator before additional medium was added. 1% alginate gels were prepared
with the CaCl2 gelation method as a positive control according to established methods 206,323. Medium
was changed every 3 days.
Cell encapsulation and printing: Bioprinting of the scaffolds was performed using a BioFactory
(regenHU, Villaz-St-Pierre, Switzerland) equipped with a needle with an inner diameter of 300 µm.
The temperature of the cartridges was controlled with a syringe heating pad and a temperature control
unit (New Era Pump Systems, Farmingdale, USA). All printing was performed onto a heated substrate
with a surface temperature between 35 °C and 38 °C. The printer was also equipped with a UV-PEN
light source (wavelength 365 nm, 6.09mWcm2) that was used to crosslink each printed layer for 10 s.
The spacing between the center of the printed strands was 2 mm. Printing parameters were optimized
by changing the pressure and writing speed to minimize strand diameter. The scaffolds were drawn
with the BioCAD software (regenHU, Villaz-St-Pierre, Switzerland) and converted into ISO code for
the printing process. Materials were prepared as described in Section 2.4.1 at a concentration of 15%
HA-pNIPAAM and 2% HAMA. The bioink was stirred gently and mixed with the 0.05% LAP
solution prior to cell encapsulation. Passage 4 bovine chondrocytes were mixed with the bioink at a
concentration of 6x106 cells ml-1 at 4 °C to avoid gelation of HA-pNIPAAM. The cell-containing
bioink was then transferred into the printing cartridge and scaffolds printed (n = 3). Printing was
performed in the BioFactory’s in-built biosafety cabinet and all parts involved in the printing process
were sterilized with 70% ethanol prior to the cell printing. A pressure of 1.5 bar and a feed rate of 500
mm min-1 were used for the printing of the scaffolds. The thickness of a single layer was 200 µm
when no cells were added and 210 µm with the addition of cells. When cells were encapsulated in the
bioinks, five consecutive layers were printed, resulting in 1.05 mm thick scaffolds. The total volume
of each construct was calculated to be 77 µl containing 4.6x105 cells. The scaffolds were transferred
into culture media either at 37 °C or, to elute the HA-pNIPAAM, at 4 °C. The scaffolds at 4 °C were
kept at this temperature for 30 min while changing the media every 10 min. After washing, the
scaffolds were incubated in the same conditions as the other scaffolds (37 °C, 5% CO2). 1% alginate
gels of the same volume and cell concentration as the printed constructs were prepared with the CaCl2
gelation method and used as the positive control. Medium was changed after 3 days. Cell viability
was assessed after 4 days of culture.
Cell viability analysis: Cell viability was assessed using a Live/Dead assay with viable cells stained
green and dead cells stained red fluorescent. Staining was performed with a 2 µM Calcein-AM and 4
µM ethidium homodimer solution for 25 min for the top culture and 1 h for the encapsulated cells.
The cells were imaged with a fluorescent microscope (Zeiss Axio Observer, Zeiss, Switzerland) and
images were evaluated with Image J software. Each condition was done in triplicate and three images
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were taken from each sample. In addition, cell viability was further investigated using the 3-(4,5dimethylthiazol-2-yl)-5-(3-carboxymethoxyphenyl)-2-(4-sulfophenyl)-2H-tetrazolium
inner
salt
(MTS) assay according to the manufacturer’s protocol.
Statistical analysis: Data from the MTS viability assays are expressed as mean ± standard deviation.
Statistical analysis of the MTS data was performed using a one-way analysis of variance and
Bonferroni post-hoc testing (OriginPro 8.5, OriginLab) and significance was determined at p < 0.05.

3.3 Results
3.3.1 Bioink characterization
To determine the HA-pNIPAAM concentration most suitable for blending with the two methacrylated
biopolymers CSMA and HAMA, HA-pNIPAAM solutions of 10%, 15% and 20% were examined
with rheometry. The viscoelastic moduli of different concentrations of pure HA-pNIPAAM (Figure
3.3a) as a function of temperature show that the gelation temperatures for all concentrations were
between 25.7 °C and 29.7 °C. This is lower than the LCST of pure pNIPAAM (32 °C), however, the
maximal increase in G' for all three concentrations still takes place around the LCST of pure
pNIPAAM. The 10% HA-pNIPAAM shows the lowest final storage modulus from all three tested
concentrations with G' being 134 Pa. The storage modulus of the two higher concentrated
HApNIPAAM solutions are both one order of magnitude higher than 10% HA-pNIPAAM, namely
3000 Pa for the 15% HA-pNIPAAM and 4450 Pa for the 20% HA-pNIPAAM solution. Although the
storage moduli of the two higher concentrated HA-pNIPAAM solutions are of the same order of
magnitude, we chose the 15% HA-pNIPAAM solution as the concentration in our bioinks as its
gelation temperature is higher (20% solution G' = G'' at 25.7 °C and 15% solution G' = G'' at 29.7 °C).
With the gelation temperature further away from room temperature, the risk of undesired gelation is
minimized. Furthermore, its lower viscosity below the gelation temperature allows easier handling
than with the 20% HA-pNIPAAM solution. To further investigate if the 15% HA-pNIPAAM solution
would be suitable as a base material for a bioink, the solution was tested at three different
temperatures for its ability to quickly recover after shear. The shear recovery simulates the shear
forces the bioink experiences when extruded through the needle during the printing process.
Immediate recovery after exiting the needle is necessary to avoid flow of the bioink and ensure
accurate printing. Figure 3.3b shows the recovery of 15% HA-pNIPAAM after shear, with the storage
modulus normalized to the initial storage modulus (before shear) at three different temperatures. At 4
°C, below the gelation temperature, the HA-pNIPAAM solution is a liquid and the G' value recovers
quickly after shear to its initial value (5 Pa). When performing the shear recovery experiment at
elevated temperatures below and above the LCST, namely 23 °C and 37 °C, the storage modulus does
not recover as completely as in the case of the HA-pNIPAAM at 4 °C. For HA-pNIPAAM at 37 °C,
the storage modulus G' only recovers to 8.5% of its initial value of 2131 Pa. When the temperature is
lowered to 23 °C (6 °C below the gelation temperature), the liquid recovers quickly to 88% of its
initial value of 8 Pa. After this initial rise in G', the modulus keeps increasing over time, reaching
120% of its initial value after 1000 s. We therefore decided to use 23 °C as the printing temperature
for the bioprinter components, except for the heated stage (35–38 °C). Tandem gelation behavior was
analyzed with and without the addition of cells to the different HA-pNIPAAM biopolymer blends.
The term tandem gelation refers to the initial physical temperature gelation followed by chemical
crosslinking utilizing a UV source. 5% chondroitin sulfate methacrylate (CSMA-HA-pNIPAAM
bioink) was added whereas HA methacrylate (HAMA-HA-pNIPAAM bioink) was added at 2% as
larger amounts did not dissolve well or increased the viscosity of the solution to an extent where
pipetting was no longer possible. The bioinks were tested for their gelation temperature and UV
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crosslinking behavior. In both cases, the addition of the biopolymers led to an increase in both G' and
G'' compared to pure 15% HA-pNIPAAM at temperatures below the LCST. At low temperatures, the
biopolymers caused the G' value of both blends to be larger than the G'' value, which is normally
attributed to gel-like materials. However, we observed that the bioinks were still liquid at 4 °C. We
believe that the additional polymer content shifted the frequency spectra of the bioink to lower
frequencies compared to pure HA-pNIPAAM, i.e. the crossover of G' and G'' in the frequency spectra
is found at frequencies < 1 rad s-1. It is therefore no longer possible to define a clear gelation
temperature according to G' = G'', but an increase in G' indicates that crosslinking of the pNIPAAM
chains still takes place. We thus compared the maximum increase of G' of the bioinks, rather than the
gelation temperature. In the CSMA-HA-pNIPAAM bioink, the addition of the biopolymer lowers the
storage as well as the loss modulus achieved after the temperature gelation whereas the maximum
increase of the modulus appears at a slightly earlier time point (58.48 min or at 30.5 °C) than for the
pure HA-pNIPAAM sample (61.48 min or at 32.0 °C Figure 3.3c). In the case of the HAMA-HApNIPAAM bioink, the maximum increase of the modulus appears at a slightly later time (62.05 min
or at 32.3 °C). The values for G' and G'' are reduced in comparison to the pure HA-pNIPAAM with a
G' value of 6.32 Pa for the CSMA bioink after temperature crosslinking instead of 3220 Pa. At 10%
CSMA addition, the ability of HA-pNIPAAM to form a gel is completely lost (data not shown). A
similar effect is observed for the HAMA-HA-pNIPAAM bioink; however, the decrease in the G'
value (1210 Pa) is not as large as in the case of CSMA-HA-pNIPAAM bioink. As the final bioinks
will contain cells, we also investigated the influence of cells on the gelation behavior of our bioinks.
When cells (6x106 ml-1) are embedded into the bioinks, the G' and G'' values of the CSMA-HApNIPAAM bioink at temperatures below the LCST decreased whereas for the HAMA-HA-pNIPAAM
bioink the G' and G'' values increased. The sharp increase in G' appears at a later time point for
CSMA-HA-pNIPAAM when cells are added, namely 1.6 min later (60 min, 31.3 °C) than the blend
without any cells, which corresponds to a temperature difference of 0.8 °C. In the case of the HAMAHA-pNIPAAM bioink, the maximum increase in G' and G'' takes place at an earlier time point with
added cells (60 min or at 31.3 °C). The final values of G' and G'' after temperature gelation are
lowered upon the addition of cells. The UV crosslinking procedure was not inhibited by the cells and
the final storage moduli after crosslinking exhibited no large changes in the case of the CSMA-HApNIPAAM with a G' of 3165 Pa compared to 2750 Pa when the cells were added. The storage
modulus of the HAMA-HA-pNIPAAM blend after UV crosslinking (2532 Pa) was increased when
the cells were added (8370 Pa).
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Figure 3.3. Rheological characterization of the bioink. (a) HA-pNIPAAM was crosslinked by
increasing the temperature by 0.5 °C min-1. Closed symbols represent G' (storage modulus) and open
symbols G'' (loss modulus). (b) Shear recovery of 15% HA-pNIPAAM at different temperatures. In
(c) and (d) the temperature and UV-crosslinking behavior of the bioinks HAMA-HA-pNIPAAM and
CSMAHA-pNIPAAM are shown without (c) and with (d) the addition of cells. The temperature was
increased by 0.5 °C min-1 from 4 °C to 45 °C during the first 92.5 min. Samples were then cooled to
37 °C and maintained at that temperature until the end of the measurement. All the measurements
were performed in duplicate.
Swelling of both bioinks was investigated in PBS at 4 °C and 37 °C, i.e. below and above the LCST
of pNIPAAM. Swelling at 4 °C led in both bioinks to an initial increase of the gel weight within the
first 4 h of the swelling experiment, as shown in Figure 3.4. The HAMA-HA-pNIPAAM bioink
increased from a swelling ratio of 11.4 up to a maximum of 22.7 after 24 h, after which time the
swelling stayed constant (Figure 3.4a). The same behavior is seen in the CSMA-HA-pNIPAAM
bioink where the swelling ratio changed from 17.8 after 0.5 h to a maximum of 29.1 after 24 h (Figure
3.4b). As with the HAMA-HA-pNIPAAM bioink, the swelling ratio did not change after this. When
the samples are swollen at 37 °C, neither of the bioinks shows a weight gain within the first 4 h like
that observed at 4 °C. As HA-pNIPAAM is leaving the gels at 4 °C, water can enter and the swelling
ratio increases. This effect is not seen at 37 °C as HA-pNIPAAM is in its gelled state and not able to
be eluted. At both temperatures, the CSMA-HA-pNIPAAM bioinks show a larger swelling ratio than
the HAMA-HA-pNIPAAM bioinks.
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Figure 3.4. Swelling behavior of the two bioinks in PBS over 48 h. The bioinks contain 15% HApNIPAAM and either 2% HAMA (a) or 5% CSMA (b). The swelling of the UV crosslinked bioinks
was measured at 4 °C and 37 °C. Error bars indicate standard deviation (n = 5).
3.3.2 Bioprinting of constructs
Scaffolds were printed with the HAMA-HA-pNIPAAM bioink, as it showed a higher storage modulus
after temperature gelation compared to CSMA-HA-pNIPAAM. We expected therefore the best
printing properties from this bioink as it was the most likely to show complete cessation of flow upon
deposition onto the heated substrate. The high storage modulus was important for the material to
withstand the printing of additional layers. To evaluate the influence of the writing speed and the
printing pressure on the strand diameter, single lines were printed onto a heated substrate with
different combinations of writing speed and pressure and subsequently evaluated with a microscope.
The strand diameter is preferably as thin as possible as thick strands limit the diffusion of nutrients
and oxygen to the cells embedded within. The thinnest strand which could be continuously extruded
had a width of 620 µm and was achieved with a writing speed of 500 mm min-1 at a printing pressure
of 1.5 bar. These parameters were then further utilized for the printing of the scaffolds. The layer
thickness was determined empirically by printing lines on top of each other and visually observing the
position of the needle at the start of every new line: a needle found to be above the lines indicated that
the layer thickness was chosen too big whereas if the needle was printing within the previously
printed line, the layer thickness was increased. For the printing parameters indicated above, we found
that the strands produced had a layer thickness of 200 µm (210 µm with the addition of cells). We
were able to produce scaffolds such as the ones shown in Figure 3.5, with a diameter of 10 mm and a
height of 2.8 mm, which represents the printing of 14 subsequent layers. Thinner scaffolds of 1.05
mm were printed for the cell containing scaffolds to minimize production time and avoid drying
effects. The initial thermal gelation in combination with the UV-crosslinking produced mechanically
stable scaffolds that could be easily handled with a spatula (Figure 3.5c) without breaking.
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Figure 3.5. Demonstrates bioprinted scaffold structures. (a) Top view and (b) angled view of the
HAMA-HA-pNIPAAM printed scaffolds. The height of the printed scaffolds was 2.8 mm from 14
printed layers. The crosslinked constructs were stable enough be picked up from the substrate and
handled with a spatula (c). The scaffold is opaque at 37 °C and becomes transparent at room
temperature.
3.3.3 Cell viability
Bovine chondrocytes were cultured for 7 days on top of the bioink hydrogels prior to Live/Dead and
the MTS assays. Figure 3.6a shows a viability of 98% in the Live/Dead assay for the 15% HApNIPAAM samples and therefore confirms earlier findings by other groups employing this hydrogel
213,319
. Chondrocytes were not distributed evenly over the substrate but instead formed clusters on top
of the HA-pNIPAAM. Cluster formation was also observed when the cells were cultured on top of the
HAMA-HA-pNIPAAM bioink (Figure 3.6b) but to a lesser extent. The cell viability on top of this
bioink was lower than on top of pure HA-pNIPAAM. In the case of the CSMA-HA-pNIPAAM bioink
only a few of the cells initially seeded were still attached after 7 days (Figure 3.6c). The observations
from the Live/Dead assay were confirmed by the MTS assay where a 1% alginate gel was used as a
positive control. The assay shows a low absorbance for the CSMA-HA-pNIPAAM bioink, which
reflects the low cell attachment. For the 15% HA-pNIPAAM, the absorbance was at a similar level to
the alginate control. The HAMA-HA-pNIPAAM bioink showed a lower absorbance, which is in
agreement with the lower viability seen in the Live/Dead assay.
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Figure 3.6. Chondrocyte viability after 7 days of culture on top of bioink hydrogels. (a) 15% HApNIPAAM (HAp). Cells are present in clusters, which can also be seen on HAMA-HApNIPAAM
(HAMA HAp) (b). (c) CSMA-HA-pNIPAAM (CSMA HAp) showed mostly detached cells. An MTS
assay after 7 days with cells cultured on top of different hydrogels is shown in (d) with 1% alginate
(1% Alg) as a positive control and measurements were performed in duplicate. * p < 0.01 and ** p <
0.001; scale bar = 200 µm.
To test the viability of the chondrocytes in the hydrogels after printing, cells were encapsulated in the
HAMA-HA-pNIPAAM bioink and scaffolds were printed. The control group of chondrocytes
encapsulated in alginate had excellent viability (Supplementary Figure 3.1) and showed no toxicity
upon exposure to equivalent amounts of UV light used in the printing process (Supplementary Figure
3.2). After 4 days, the MTS assay (Figure 3.7a) of the printed constructs (before removal of HApNIPAAM at 4 °C) revealed a very low viability. However, after washing the printed constructs, the
viability of the chondrocytes improved dramatically (Figure 3.7a). The cells were mostly viable
throughout the printed structure (Figure 3.7b and 3.7c); however, there was increased cell death
around the pores of the construct (Figure 3.7b). When washed with cold PBS, the constructs lost their
opaque appearance (Figure 3.7d), indicating that the HA-pNIPAAM was no longer in its gelled state
and could therefore diffuse out of the scaffold. The final scaffold therefore consisted mainly of the
UV-crosslinked biopolymer. In this regard, the HA-pNIPAAM serves as a temporary support matrix
that can be sacrificed after UV-crosslinking of the second component of the bioink.
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Figure 3.7. Bioprinted scaffold cell viability was demonstrated after the HA-pNIPAAM wash. (a)
Chondrocyte viability after 14 days of culture within printed HAMA-HA-pNIPAAM scaffolds with
unwashed (before HAp removal 7 days) and washed (after Hap removal 4–14 days) conditions. 70%
ethanol and 1% alginate (1% Alg) were used as negative and positive controls and all measurements
were performed in duplicate. (b, c) Low and high magnification of Live/Dead staining of the printed
and washed HAMA-HA-pNIPAAM scaffolds after 4 days. Increased cell death around the pores is
visible. (d) The unwashed scaffolds have an opaque appearance at 37 °C, indicating the presence of
gelled HA pNIPAAM (left image), while washed scaffolds were transparent (right). Scale bars are 1
mm (b) and 200 lm (c). * p <0.05, ** p <0.001.

3.4 Discussions
Bioprinting is a technique which can be used to create biomimetic layered constructs for cartilage
engineering through its ability to spatially distribute hydrogels, cells and bioactive molecules at predefined sites. However, the need for different viscosities at different stages of the printing process has
limited the choice of materials suitable for bioprinting. In 3D printing the required viscosity changes
can be achieved by a transition from melts to solids or by evaporation of an organic solvent; however,
these approaches cannot be used in the presence of cells and biological materials. Fast thermal
gelation of certain biocompatible polymers on the other hand can be achieved by deposition of small
volumes onto heated or cooled substrates 178,220. Gelatin is such a material, but requires temperatures
above 37 °C to maintain the liquid state. Gelatin methacrylate has excellent printing properties
197,220,307
; however, it is not reversible at physiological temperatures and contains denatured animal
protein. The inverse thermoresponsive polymer HA-pNIPAAM has the advantage of an LCST around
body temperature and its gelation is reversible by simple cooling. HA-pNIPAAM is easy to handle at
room temperature while gelling instantaneously when deposited onto a heated (37 °C) substrate. Here
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we employed HA-pNIPAAM as a transient matrix to ensure cessation of flow upon co-deposition
with photocrosslinkable biopolymers. Although tandem gelation has been used for injectable or
printable hydrogels 178,324, this is one of the first applications of tandem gelation in bioprinting based
on a reverse thermoresponsive polymer. It is important to consider the rheological behavior of inks for
bioprinting due to the fact that they are exposed to a shear field when being extruded from the
cartridge to the substrate. After the exposure to the shear forces in the needle during printing, the
bioink should recover quickly. It is therefore necessary that any structure that is present in the ink at
printing temperature quickly be rebuilt when the ink arrives on the substrate. This is normally valid
for non-crosslinked polymer solutions 325. In the case of HA-pNIPAAM, this seems to be the case for
the printing temperatures (temperature of the cartridge and the needle) of 4 °C and 23 °C, but not for
the printing at 37 °C (Figure 3.3b). At the latter temperature, structures that are present prior to
extrusion are not present after the printing process, which is seen in the low recovery of the moduli
after exposure to shear. The network formed by the interaction between the pNIPAAM chains at 37
°C is fully developed and broken under shear. At 37 °C, the pNIPAAM chains are hydrophobic and
therefore collapse on themselves in the aqueous environment. As a consequence of this, individual
pNIPAAM chains can no longer interact with each other and the reestablishment of the network is no
longer possible. We suspect that the remaining 8% (Figure 3.3b) of the initial storage modulus
originates from chain entanglements and pNIPAAM chains that were not separated from each other
upon shear. When the solution, on the other hand, is sheared at 4 °C, the hydrated HA-pNIPAAM
polymers do not interact when aligning themselves in the shear field. After shear, the molecules relax
back to a coiled structure and the moduli return to the original values. The situation is again different
at 23 °C, where some of the pNIPAAM chains interact as indicated by the start of the increase of G'
(Figure 3.3a). We assume that this leads to the formation of small domains where several HApNIPAAM molecules interact with each other. These domains take longer to relax into the same state
present before the exposure to shear, but are still able to align along the shear field without disrupting
the pNIPAAM interactions. The continuous increase in the storage modulus up to 120% of the initial
value could be caused by either shear-induced structures that form slowly over time when the solution
is at rest or the continuous formation of pNIPAAM crosslinks. As a saturated atmosphere was present
in the measuring chamber at all times, we can exclude drying effects. Although there was incomplete
initial recovery after shear at 23 °C, this temperature was chosen as the printing temperature. If
printed at 4 °C, the sample would flow for too long before the temperature gelation was reached, thus
reducing the resolution of the printing process. Even when printed at 23 °C, some flow before
complete gelation of the strands was still present, as revealed by the difference in strand width (620
µm) and strand height (200 µm). Ideal bioinks for 3D bioprinting should not only maintain their shape
when at rest (i.e. possess a yield point), but also be mechanically stable. In the case of HApNIPAAM, the gels are strong enough to maintain their shape after thermal gelation but do not
withstand mechanical compression. The addition of a second polymer that can be covalently
crosslinked to form a network within the HA-pNIPAAM gel is an elegant solution to create a
mechanically stable gel. The addition of the two biopolymers used in this study, HAMA and CSMA,
influenced the gelation temperature, as our results demonstrate (Figure 3.3c). Both biopolymers lower
the storage modulus of the bioink after the thermal gelation process, which is most probable due to
steric hindrance between the pNIPAAM chains caused by the biopolymers. In addition, specific
chemical interactions between the biopolymers and the pNIPAAM side chains might also play a role.
The partial inhibit of pNIPAAM crosslink formation by the biopolymer addition effectively sets a
limit to the amount of biopolymer the bioink can contain. The drop in the storage modulus of HApNIPAAM after temperature gelation might be proportional to the biopolymer content, as we found a
larger decrease in the G' value for the 5% CSMA-15% HA-pNIPAAM bioink compared to the bioink
based on 2% HAMA. Smaller-molecular- weight biopolymers might allow for an even higher
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biopolymer content while still maintaining good mechanical integrity of the bioink after thermal
gelation; however, differences in polymer structure and solubility also play a role. Biopolymers have
been shown to influence the gelation temperature of other thermo-gelling materials 326; however, the
gelation temperature is normally increased instead of decreased as in the case of CSMA-HApNIPAAM. It has been found that salts disrupt the hydration structure surrounding pNIPAAM and
therefore decreasing the LCST with increasing salt concentration 327. The most effective kosmotrope
according to the Hofmeister series is the sulfate ion 328,329. Although not present in their ionic form,
sulfate groups are abundant in CSMA and therefore might influence the gelation temperature of HApNIPAAM in a similar manner (Figure 3.3c). The negative charge of HAMA did not seem to
influence the gelation temperature to a similar extent at the concentration we used in this study as the
carboxylic acid groups on the HA might not be strong enough to disturb the water structure around
pNIPAAM. The overall higher charge density of chondroitin sulfate might also contribute to a
stronger decrease in the LCST. Although many bioprinting approaches use bioinks which contain
cells, the effect of the cells on the rheological properties is not often studied and can impact the
viscosity and moduli to an unexpected extent 220. As such, the addition of cells could influence final
strand diameters and printing fidelity. In the case of our bioinks, the cells changed the moduli after
temperature gelation, as shown in Figure 3.3d. In general, we expected that the inclusion of cells
would lead to a lower overall network density and a reduction of the storage modulus, as was the case
for both bioinks. In case of the HAMA-HA-pNIPAAM, the storage modulus decreased from 285 to
117 Pa with the addition of cells. The way that cells influence the moduli after UV crosslinking is
currently unclear. The modulus of CSMA-HA-pNIPAAM after UV crosslinking was not affected by
cells, leading to the conclusion that the overall network density is only slightly lowered by the cells.
For the HAMA-HA-pNIPAAM, however, the post-UV modulus is higher with cells than without.
Specific interactions between the cells and the biopolymer could be a possible explanation. Because
resolution is important in bioprinting to achieve accurate spatial distribution of materials and cells, the
swelling ratio of hydrogels needs to be considered. If hydrogels swell too much, the intended spatial
organization might be lost. For the two bioinks presented here, the CSMA-HA-pNIPAAM bioink
swelled more than the HAMA-HA-pNIPAAM (Figure 3.4). The reason for this is likely due to the
presence of the sulfate groups in the CSMA, which leads to higher ingress of water into the hydrogel.
At 4 °C, the swelling of both bioinks increased over the course of the first 24 h as the HA-pNIPAAM
diffuses out of the hydrogel, creating an open porous structure. The stability of swelling ratio after 24
h indicates that HA-pNIPAAM has diffused completely out of the hydrogel network by this time. As
the HAMA-based bioink swelled less than the CSMA one, it was chosen for the printing experiments.
When viability of cells cultured on top of the hydrogels was studied, we observed cluster formation in
all samples, indicating poor cell adhesion to the substrate. This was rather surprising as the
chondrocytes should be able to interact with HA via CD44 receptors. The MTS assay (Figure 3.6d) in
conjunction with the live/dead staining leads us, however, to conclude that the drop in viability for the
surface cells is caused by the detachment of cells rather than actual toxicity of the materials. We
suspect that, due to the swelling exhibited by CSMA-HA-pNIPAAM and to a lesser extent HAMAHA-pNIPAAM, the cells became mechanically detached from the substrate and were then removed
from the surface during media exchange or the staining process (Figure 3.6b and c). Contrary to top
culture viability, cells did not survive over 4 days when cultured within the HAMA-HA-pNIPAAM
bioink. As we suspected that the low viability was caused by limited diffusion in the highly
concentrated hydrogels (Figure 3.7a), HA-pNIPAAM was intentionally removed from the hydrogels
by short culture at 4 °C. This washing, which was visualized by a rapid increase in transparency of the
scaffolds, increased the cell viability from 34% to 91% at day 7 with respect to the positive control
(Figure 3.7a). The only regions showing cell death in the printed constructs were at the edge of the
strands, which might have dried out during the printing. A humidified atmosphere during the printing
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process could solve this problem. The fact that the printed constructs were still mechanically stable
after the elution of the HA-pNIPAAM confirms that the formation of two interpenetrated networks
took place during the tandem gelation and that the second, chemically crosslinked network is alone
stable enough to maintain the structure of the 3-D printed constructs. Most hydrogels used in cartilage
engineering have a modulus approximately an order of magnitude lower than native cartilage 330. For
cartilage engineering, where the goal is often to trigger the repair process, one has to balance the
mechanical stiffness requirements against the need for a permeable open network which promotes
exchange of nutrients and oxygen. HAMA is an interesting material from this perspective because its
long term in vitro and in vivo longevity can be widely tuned by adjusting the crosslinking density of
the scaffolds 331,332. The ability to print pure HAMA gels as demonstrated in this paper further extends
the versatility of this class of materials.

3.5 Conclusions
A novel concept for 3D bioprinting with good resolution and high cell viability is introduced, based
on the extrusion of a blend of a thermoresponsive polymer and a photocrosslinkable biopolymer. The
two-polymer system was composed of HA-pNIPAAM, which has a LCST between 25.7 °C and 29.7
°C, and HAMA or CSMA, which gelled in the presence of a photoinitiator and UV light. The blend
showed rapid gelation upon contact with a 37 °C heated substrate, giving the printed construct its
immediate structural fidelity, while the secondary chemical crosslinking of the co-extruded HAMA or
CSMA component gave it its long-term mechanical stiffness (Figure 3.2). We showed that the charge
and concentration of the additional biopolymers and the presence of cells all influenced the gelation
temperature and final storage modulus of the construct, but still allowed for a highly printable system.
We demonstrated that the materials used for the bioinks have no direct toxicity to cells cultured on
their surface. On the contrary, embedding the cells in the bioink led to high cell death, most probably
due to diffusion limitations of the highly crosslinked system. By removing the HA-pNIPAAM in a
brief 4 °C washing step (Figure 3.2c), we could fabricate 3D constructs with 7 day viability, which
was 91% of the positive control. The great improvement in cell viability was likely due to the creation
of a more open, porous network which enhanced diffusion. To conclude, HA-pNIPAAM can be used
as a transient support polymer to facilitate 3D printing at physiological temperature of a range of
biopolymer solutions which would otherwise not be printable.
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3.7 Supplementary data

Supplementary Figure 3.1. Live/Dead image of cells encapsulated in 1% alginate after 4 days in
culture. Scale bar 200µm.

Supplementary Figure 3.2. MTS viability data from chondrocytes encapsulated in alginate. UV
exposure for 90 seconds did not have any influence on the viability of the cells.
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Abstract
Bioprinting is an emerging technology for the fabrication of patient-specific, anatomically-complex
tissues and organs. A novel bioink for printing cartilage grafts was developed based on two
unmodified FDA-compliant polysaccharides, gellan and alginate, combined with the clinical product
BioCartilage® (cartilage extracellular matrix particles). Cell-friendly physical gelation of the bioink
occurred in the presence of cations, which were delivered by co-extrusion of a cation-loaded transient
support polymer to stabilize overhanging structures. Rheological properties of the bioink revealed
optimal shear thinning and shear recovery properties for high fidelity bioprinting. Tensile testing of
the bioprinted grafts revealed a strong, ductile material. As proof of concept, 3D auricular, nasal,
meniscal and vertebral disc grafts were printed based on CT data or generic 3D models. Grafts after 8
weeks in vitro were scanned using MRI and histological evaluation was performed. The bioink
containing BioCartilage supported proliferation of chondrocytes and, in the presence of TGF-β3,
supported strong deposition of cartilage matrix proteins. A clinically-compliant bioprinting method is
presented which yields patient-specific cartilage grafts with good mechanical and biological
properties. The versatile method can be used with any type of tissue particles to create tissue-specific
and bioactive scaffolds.

4.1 Introduction
One goal of bioprinting is the fabrication of living tissues and complete organs for use in regenerative
medicine. Traditional manufacturing methods such as mold casting produce grafts with relatively low
resolution and require a new mold for each new design. Additive manufacturing techniques are
compatible with rapid production of patient-specific grafts, allowing precise control over internal and
external architecture and customized mechanical properties. These techniques can be used for printing
biological materials together with living cells, hence the term ‘bioprinting’. 3D bioprinting offers
researchers a unique way of depositing cell-laden biocompatible materials, so called bioinks, in high
resolution structures with a line thickness on the order of hundreds of microns. Due to the promise of
such technology, several commercial bioprinters have entered the market and bioinks are the subject
of intense investigation 141,142,333. Bioink formulation is often considered one of the most critical
aspects of high resolution cellular bioprinting.
Cellular printing requires a bioink with two key properties, namely printability and cytocompatible
crosslinking. The identification of printable polymeric systems is mainly done through rheological
evaluation of a material’s shear thinning behavior and shear recovery. Shear thinning correlates
directly with a bioink’s ability to be extruded at low pressure (< 3 bar), something which ensures high
post-printing cell viability 250. Shear recovery, on the other hand, relates to the ink’s resistance to flow
after printing, which ensures high fidelity of the printed structure. The presence of cells, however,
greatly restricts the crosslinking options as physiologic temperature and pH need to be maintained and
harsh chemicals avoided. Hydrogel bioinks can be crosslinked via covalent or physical interactions or
a combination thereof. Ultraviolet light initiated crosslinking of (meth)acrylated polymers has been
used most often in bioinks, but the presence of potentially toxic monomers and photoinitiators may
complicate clinical translation 214,228,261,314. Physically crosslinked gelation based on temperature,
hydrophobic/hydrophilic or ionic interactions has been utilized for pre-crosslinking of several bioink
materials including poly(N-isopropylacrylamide) conjugated hyaluronan (HA-pNIPAAM) 217, gelatin
178,334
, alginate 205, and gellan 202. Pre-crosslinking before printing or directly during deposition to
stabilize the printed lines is generally followed by a final crosslinking which further increases the
mechanical properties and stabilizes the whole structure.
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For cartilage engineering applications, natural polymers from animal or plant sources including
alginate, collagen, gelatin, gellan and hyaluronan have been all intensively studied as possible bioink
materials 175,184,219,220. Limitations associated with the use of single-component hydrogel systems,
coupled with the need for a mechanically strong biocompatible material that can withstand the
physical demands of the joint, have prompted researchers to consider extracellular matrix (ECM)
itself as a scaffold material for TE 265,335,336. Furthermore, the combined effect of ECM particles with
TGF-β has been shown to significantly increase the chondrogenic potential of primary chondrocytes
219
. Commercially-available allograft cartilage fragments including BioCartilage® (Arthrex) are
already used in clinical treatment of articular lesions. BioCartilage is a decellularized and dehydrated
off-the-shelf product which is used in conjunction with marrow stimulation, autologous blood, PRP
and fibrin to treat cartilage defects 337. With a particle size ranging from a few micrometers to
hundreds of micrometers, it can be used in extrusion bioinks directly after sieving.
We developed a cartilage-specific bioink for bioprinting applications based on a blend of gellan and
alginate (Bioink) which can be pre-crosslinked with cations and mixed with commercially-available
BioCartilage particles. All three components of the bioink are already in medical use, 174,194,203,338 thus
avoiding the extensive regulatory hurdles faced by many other bioinks. The bioink was characterized
with BioCartilage (Bioink+BioCartilage) and with hydroxyapatite particles (Bioink+HA) to
demonstrate printability independent of particle type. To evaluate printability, three bioink
compositions (Bioink, Bioink+BioCartilage and Bioink+HA) were characterized with rheology.
Clinically relevant, full-sized grafts were printed using either CT data or generic 3D models created
for this study. Printed structures were imaged using MRI to compare the 3D shape with the original
model and to evaluate the potential of MRI to detect changes in water relaxation times related to
extracellular matrix production in TE grafts 339,340. To evaluate cartilage formation, cell-laden Bioink
and Bioink+BioCartilage discs were cultured for 8 weeks in vitro with and without TGF-β3
supplementation.

Figure 4.1. Schematic of the macroscopic and molecular crosslinking process. Support material
(transparent) and the bioink (opaque) were loaded into the printing cartridges a). During and after
printing the cations diffuse from the support to the periphery of the bioink graft initiating the
crosslinking b). After 4°C elution and final crosslinking, the graft is self-supporting c). On a
molecular level, the gellan helices and alginate chains are increasingly crosslinked at each stage of the
process.
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Figure 4.2. Rheological characterization of the bioink compositions with and without particles. Shear
thinning was measured in rotation a), shear recovery in oscillation after shear of 1 second (100 -s shear
rate) for two cycles b), Bioink alone was ionically crosslinked with several cation conditions c), and
maximum storage modulus G' of the samples crosslinked for 30 minutes with 20 mM SrCl2 d). Error
bars represent standard deviation.

4.2 Materials and methods
Materials: Gellan (Gelrite) was purchased from the Sigma-Aldrich (Buchs, Switzerland) and further
purified to remove residual cations. Ultrapure, high G content alginate (ProNova UP-LVG) was
purchased from NovaMatrix (Sandvika, Norway). Pluronic F127 and D-glucose was purchased from
Sigma-Aldrich (Buchs, Switzerland). Dulbecco’s modified Eagle’s media (DMEM), phosphate
buffered saline (PBS), fetal bovine serum (FBS), penicillin-streptomycin (PS), and trypsin were all
purchased from Life Technologies (Zug, Switzerland). Dialysis membranes were purchased from
SpectrumLabs (Breda, Netherlands). All concentrations are given in percentages weight/volume (%
w/v) unless indicated otherwise.
4.2.1 Bioprinting preparation
Bioink preparation: Gellan was purified from residual cations by dialyzing against
ethylenediaminetetraacetic acid (EDTA) (0.001%) in ultra-pure water to decrease the temperature of
solubility and sol-gel transition. Purified gellan was added to D-glucose (300mM) in ultra-pure water
at 90°C to achieve a 6% solution. The boiling flask was kept at 90°C with agitation until the solution
was homogeneous. 4% alginate solution was dissolved in D-glucose supplemented ultra-pure water.
50:50 ratio of both polymer solutions were mixed to obtain a 3% gellan and 2% alginate blend. The
temperature was reduced to 38-40°C before adding the particles of choice in 40% w/w (particle/ total
polymer) concentration. When printed with cells (6 x106 cells/ml) or without cells, DMEM solution
was added to the solution in 1:10 volume ratio to pre-crosslink the bioink. Mixing was continued until
the solution reached room temperature and the printing syringes were loaded. Support material was
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prepared by dissolving 30% pluronic in sodium chloride (150mM) and strontium chloride (20mM)
solution at 4°C. Support material was loaded into the printing syringes and brought to room
temperature prior use.
Printing syringes of both the bioink and the support polymer were mounted onto the extrusion printer
Biofactory® (RegenHu, Switzerland) and the parameters were set for 410 µm nozzle diameter. Two
pneumatic extrusion heads with adjustable extrusion pressure up to 6 bar were used parallel. Pressure
of 0.2 bar and flow rate of 800 mm/min were used with Bioink and Bioink+HA. Bioink+BioCartilage
required increased pressure of 1 bar for precise extrusion at the same printing speed. Support ink was
co-extruded using 1.5 bar pressure and 800 mm/min flow rate. All 3D designs from clinical CT scans
(kind gift of Phonak) and other 3D models were made with Cinema 4D software (Maxon, Germany)
and converted into .STL files for the bioprinter. Extrusion printing was initiated with support polymer
layer followed by bioink to initiate crosslinking immediately upon contact between the two materials.
Immediately following the printing, the grafts were transferred into sterile petri dishes containing
20mM SrCl2 supplemented DMEM at 4ºC and crosslinked for 15-30 minutes. Following the
crosslinking, specimens were washed twice in DMEM containing 10% fetal bovine serum, 1%
penicillin/streptomycin and L-ascorbic acid (50 μg ml-1) and then cultured under normoxic (21% O2)
conditions until analysis.
4.2.2 Bioink characterization
Rheology: All liquid state measurements were performed in rotation with a plate-plate geometry (20
mm diameter, MCR 301, Anton Paar, Zofingen, Switzerland) saturating the measuring chamber with
water vapor to prevent drying. Shear thinning experiments were performed by measuring viscosity η
at a frequency of 1 rad s-1 with logarithmic increase of shear rate. Yield points were calculated using
the Herschel/Bulkley equation

𝜏 = 𝜏𝐻𝐵 + 𝑐 ∙ 𝛾̇ 𝑝

(4.1)

where τ is shear rate, τHB is the Herschel/Bulkley yield point, c flow coefficient, 𝛾̇ p shear stress with
exponent p, where p is the Herschel/Bulkley index (p < 1 for shear thinning and p > 1 for shear
thickening).
Shear recovery, also known as structural recovery, experiments were performed by measuring storage
modulus G' and loss modulus G'' at a frequency of 1 rad/s and 1% strain which was determined to be
within the linear viscoelastic (LVE) range, then shearing the sample for 1 second at 100 s -1 simulating
the printing induced shear before returning to the oscillatory measurement. This shear cycle was
repeated twice. Gel state crosslinking experiments were measured in oscillation with plate-plate
geometry (10 mm diameter) for cation determination to ensure cation diffusion to the core and with
(20 mm diameter) for final gel storage modulus G' to minimize sample slipping. The samples were
crosslinked in corresponding cation solutions for 30 minutes before the measurements were recorded.
Since the amount of human BioCartilage was limited, rheology experiments were performed using
cryomilled and lyophilized cartilage particles (≤ 40µm in diameter) harvested from calves femoral
condyles (Bioink+Cartilage Particles). All the rheological measurements were measured in triplicates
except the final storage modulus (Figure 4.2d) where samples were measured in duplicates.
Mechanical testing: Tension testing was performed (TA.XTplus, Stable Micro Systems, UK) using
printed dumbbell-shaped specimens and Bioink+HA to avoid cell and particle interactions during the
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48 hour swelling period at 37°C in medium. Tensile specimens were 0.9 mm in thickness comprising
two printed layers. Samples were subjected to a controlled tensile displacement of 0.03 mm s -1 until
failure. Young’s modulus was calculated from the linear region of the stress-strain curve, which was
until 10% strain for all the tension samples.
Swelling: For the swelling experiments, bioink gels with and without particles were casted in 40 μl
discs (n=5). Gels were weighted for initial casting weight (mCasting) after 15 minutes in crosslinking
solution. Gels were then immersed in 1 ml of PBS at 37°C and incubated for 0.5, 1, 4, 24 and 48
hours. After all incubation periods, PBS was removed and the gels were weighed (mSwollen). The gels
were then snap-frozen and lyophilized before dry weighting (mDry). The swelling ratio Q was then
calculated as:

Q=

mSwollen −mDry
mDry

(4.2)

where Q represents total water retention in the gels.
To calculate the hydrogel swelling ratio after gel crosslinking, equilibrium swelling was calculated as:

Q𝐸 =

mSwollen −mCasting
mCasting

(4.3)

where the QE represents the additional water retention after the hydrogels were casted.
All the calculations were done after the high density particle weight was subtracted from the measured
weights to compare the true percentual influence of the particles on swelling. Particle weight of 1.6
mg was reduced from both particle containing compositions due to the 40 μl gel volume and 40% w/w
particle content.
MRI scanning and imaging protocol: MR imaging was performed in a 7.0 Tesla Biospec MR Scanner
(Bruker, Ettlingen, Germany) with gradient amplitude of 200 mT m-1 and a maximal slew rate of 640
T m-1 s-1 using a linear polarized mouse whole-body 1H transmit-receive mouse coil (1H 075/040
QSN, Bruker). All measurements were performed at room temperature (20.5-20.6°C). After
positioning the sample, the coil was adjusted by manual wobbling. After a gradient-echo (GRE)
localizer in 3 spatial directions, the morphological integrity was assessed by a T2w Rapid Acquisition
with Relaxation Enhancement (RARE) sequence (TR/TE 1800 ms/42 ms; echo train length 16; matrix
128 x 256; FoV 17.5 x 35; slice thickness 0.273 mm, averages 1). Material properties were further
characterized by the T1- and T2- relaxation times and water diffusion. T1-longitudinal and T2transverse relaxation times were evaluated by a fast spin-echo sequence with varying echo-time and
repetition time (6 different TRs: 200, 400, 800, 1500, 3000 and 5500 ms and five different TEs: 8, 25,
42, 59, 76 ms, echo train length 2; matrix 192 x 256; FoV 24 x 24 mm; slice thickness 1.0 mm,
averages 1), whereas diffusion properties were determined by a diffusion-weighted spin-echo
sequence with 4 different b-values (b = 0, 150, 350, 470 s mm-2, TR/TE 2500 ms/ 22 ms; echo train
length 1; matrix 128 x 128; FoV 24 x 24 mm; slice thickness 1.0 mm, averages 1).
MRI data analysis: Custom made in-house post-processing-routines using the programming language
Matlab (The Mathworks, Inc, Natick, MA, USA) were used for data analysis. Polygonal RoIs were
drawn in triplicate for each ex-vivo cartilage sample in order to assess representatively the respective
tissue. The T1-, T2-relaxation times and ADC values were inferred by region of interest (RoI)
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analysis. In brief, the T1 and T2 relaxation times could be retrieved by means of monoexponential
fitting of the signal intensities over the repetition times for T1 determination, respectively the echo
times for T2 determination using a Levenberg-Marquardt non-linear least-squares algorithm. ADC
was calculated by a monoexponential fitting of the signal intensities against at the four b values.
Mean values and standard deviations were calculated from the computed T1, T2, and ADC values.
4.2.3 Biological analysis of the grafts
Cell isolation and in vitro culture: Bovine chondrocytes were harvested from full thickness articular
cartilage of the lateral and medial femoral condyles of four ~6 month old calves obtained from the
slaughter house. Cartilage slices were minced and digested for 6h with 0.03% collagenase in DMEM
supplemented with 1% PS under gentle stirring. The digest was then filtered through a 100 μm cell
strainer and subsequently through a 40 μm cell strainer before the cells were pooled. Passage 0 cells
were seeded at 10’000 cells/cm2 in DMEM containing 10% fetal bovine serum, 50 μg/mL L-ascorbic
acid and 1% PS. This media formulation was used in all further experiments. At ~80% confluency,
cells were trypsinized and washed several times with culture media and added to the bioink. Bioink
solutions with and without particles were prepared and mixed with passage one (P1) chondrocytes at a
density of 6x106 cells/ml. Gels of 40μl in volume were crosslinked for 15 minutes with 20mM SrCl 2
in DMEM. Cultures with and without supplementation of 10ng/ml TGF-β3 were carried out for 8
weeks in normoxic (21% O2) conditions.
Cell viability and proliferation assessment: Cell viability after printing was imaged using 2μM calcein
AM and 10 μM propidium iodide staining solution in PBS (Zeiss Axio Observer, Zeiss, Switzerland).
Total amount of DNA was assessed with a Picogreen® (Life technologies, Zug, Switzerland) kit.
Histology and immunohistochemistry: Hematoxylin and eosin (H&E) and Alcian blue stainings were
performed after 3 and 8 weeks. Immunohistochemical staining of collagen type I and II were
performed using primary antibody (Abcam, ab34710) and (Rockland, BioConcept, 600-401-104S)
respectively. The secondary antibody labeled with Alexa fluor 488 (LifeTechnologies, Zug,
Switzerland) was used and the samples were counterstained with Hoechst. Samples after 8 weeks in
vitro were stained with alizarin red and compared to calcified bone samples. Samples were imaged
(Zeiss Axio Observer, Zeiss, Switzerland) and evaluated with Image J software.
Statistical analysis: Data from the assays is expressed as mean ± standard deviation. Statistical
analysis of the data was performed using a one-way ANOVA and Bonferroni post-hoc testing
(OriginPro 8G, OriginLab) and the level of significance was determined at p<0.05.

4.3 Results
4.3.1 Bioink characterization
The bioink described here is a blend of gellan and alginate mixed with human micronized
BioCartilage or HA particles (≤ 40µm size). Gellan is a linear anionic polysaccharide composed of
tetrasaccharide repeating units (1,3-β-D-glucose, 1,4-β-D-glucuronic acid, 1,4-β-D-glucose, 1,4-α-Lrhamnose). The carboxyl side group on the glucuronic acid is responsible for the gelation behavior of
the molecule. Upon cooling, the coiled polymer forms double-helices (coil-helix transition). Upon
addition of mono-, di- or trivalent cations, gelation (sol-gel transition) occurs as the helices aggregate
into junction zones which are linked into a three dimensional network via the coiled part of the
molecule 341–344. This gel formation differs greatly from that of alginate, where the divalent cations
bind guluronic acids blocks (G-blocks) and form egg-box structures between chains 345–347. The
gelling behavior of the blended bioink is illustrated using the bioprinted auricular cartilage as an
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example (Figure 4.1). The printing process was divided into three stages. To start, the bioink was
loaded in the syringe (opaque) and the support polymer into a second syringe (transparent). At this
stage, a small amount of cations were present in the bioink to increase viscosity and enhance printing
properties (Figure 4.1a). During co-extrusion of the support, cations diffused to the periphery of the
printed auricle where they initiated crosslinking (Figure 4.1b). After the final structure was
completed, the support was eluted in 4°C cation-supplemented medium (Figure 4.1c). The molecular
representation of the bioink during crosslinking is illustrated schematically, where the formation of
junction zones of gellan and binding of cations within the inter-penetrating hydrogel network around
the cells and particles can be seen in Figure 4.1. Immersing the printed constructs into 4°C medium is
a cell friendly crosslinking process that has been previously shown to have no effect on chondrocyte
viability after printing 205,218.
Rheological properties of the Bioink, Bioink+HA, and Bioink+Cartilage Particles were measured to
determine the shear behavior and shear recovery, two of the most important predictors of bioink
printability. All of the bioink compositions showed shear thinning behavior which is critical for
extrusion (Figure 4.2a). Furthermore, all the compositions had a yield point (weak gel formation)
prior to extrusion which is important in preventing particle and cell sedimentation in the syringe
(Table 4.1). The shear recovery curves (Figure 4.2b) illustrate initial interaction between the
measuring probe and the material before the first shear sequence is applied and the polymer chains
begin to align. Shear recovery after the second shear sequence was 98% in Bioink+Cartilage Particles
and 90% in Bioink+HA after ten seconds. At the same time the Bioink alone recovered only 21% of
the original modulus. Figure 4.2c illustrates the storage modulus G' after cation-induced crosslinking
of Bioink alone where effect of cation concentration and type were investigated. By varying these
parameters, properties ranging from a few kilopascals to hundreds of kilopascals could be attained.
Based on the maximum G' and the ratio between storage and loss moduli (G'/G''), an indicator of the
elasticity of the material, crosslinking with 20mM SrCl2 was chosen for the rest of the studies. Figure
4.2d illustrates the final storage modulus for the three bioink compositions. The Bioink alone had the
highest final storage modulus (152kPa ± 3kPa) compared to Bioink+Cartilage Particles (96kPa ±
1kPa) and Bioink+HA (110kPa ± 2kPa), suggesting that crosslinking is somewhat hindered by the
particles irrespective of their source.
Table 4.1. Summary of the rheological measurements. The yield points were calculated using the
Herschel/Bulkley equation (4.1).
Bioink
Bioink+HA
Yield point
15.6 Pa ± 0.7 Pa
17.7 Pa ± 6.5 Pa
Cessation in 10s*
21%
90%
152 kPa ± 3.0 kPa
110 kPa ± 2.0 kPa
Maximum G'
* Shear recovery at 10 s after the second shear sequence.

Bioink+Cartilage Particles
122 Pa ± 22 Pa
98%
96 kPa ± 1.0 kPa

Mechanical properties of the bioprinted cartilage grafts were assessed in tension. Tensile dumbbell
specimens were printed using Bioink+HA particles with or without cells and kept in cell culture
medium in a CO2 incubator for 48 hours. HA particles were used to avoid potential confounding
interactions between cells and particles. The nozzle path (printing direction) in the gage section of the
specimen was chosen to be parallel to the direction of tension (Figure 4.3a). Young’s modulus was
significantly higher in acellular constructs (E=230 kPa ± 7.0 kPa) compared to cellular samples
(E=116 kPa ± 6.8 kPa) (p < 0.001), suggesting that the cells increase the compliance of the construct
and/or inhibit the crosslinking. On the other hand, there was no difference in failure strain between
the acellular (37% ± 6.4%) and cellular (34% ± 2.1%) (p= 0.54) constructs.
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Figure 4.3. Tensile and swelling properties of the printed constructs. Tensile testing was performed
on printed dumbbell specimens where the nozzle path is shown by the black lines and the printed
structure is shown after swelling a). Representative stress-strain curves where failure occurred in the
central region of the specimen b). Swelling behavior of the bioink compositions based on equation
(4.2) and (4.3) to evaluate total water retention c) and water retention after crosslinking d)
respectively. The smallest divisions on the ruler are 1 mm and error bars represent standard deviation.

Swelling of the bioink with and without particles was quantified to assess the total water retention and
the water retention after gel crosslinking (Figure 4.3c-d). All calculations were done after the high
density particle weight was subtracted from the measured weights to compare the true percentual
influence of the particles on swelling. Swelling at 37°C up to 48 hours increased the hydrogel weight
between 2000 -3800% of the dry weight of the sample which is typical of hydrogels and between 26%
and 54% of the crosslinking weight of the hydrogels. All the bioink compositions were fully hydrated
after 24 hours and more specifically Bioink and Bioink+BioCartilage were fully hydrated after 5
hours suggesting faster swelling kinetics. Comparison between swelling ratios of the Bioink alone and
the particle containing compositions after 48 hours suggested dependency on the particle type. The
Bioink+HA had statistically significantly lower (p < 0.001) equilibrium swelling ratio than
Bioink+BioCartilage and Bioink alone which were similar at 48 hours. These results suggest higher
water retention in the presence of the BioCartilage compared to HA particles.
4.3.2 Bioprinted structures
Personalized medicine applications will require high resolution patient-specific data to create high
resolution models for bioprinting. As illustration, an auricular cartilage model was created from a CT
scan showing the feasibility of 3D printing directly from clinical image data (Figure 4.4a-c). The
printed auricular grafts required co-extrusion of support material due to the overhanging helix up to
116 degrees. The co-extrusion of the support material was shown to preserve horizontal bioink lines
without sagging and the printed shape accurately after elution of the support (Figure 4.4d-f).
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Cartilaginous grafts including meniscus (Figure 4.4g-j), intervertebral discs (Figure 4.4k) and nose
(Figure 4.4l, m) were printed based on generic models. Cartilage samples were flexible in handling
and could be sutured (Figure 4.4h-j). Two-component intervertebral disc grafts were printed with
Bioink+Cartilage particles stained red with food color to localize the nucleus pulposus and with
Bioink+HA to localize peripheral structures corresponding to the annulus fibrosus. All of the
structures preserved high shape fidelity and were printed in actual size. The printed structures
matched the dimensions of the computer models and were stable in long term culture. For example,
nose models were 3.1cm in length, 2.6cm in width and 1.5cm in height to represent a young adult size
348
. Internal nasal cavities were left hollow and represented approximately 31% of the total volume
(Figure 4.4l, m). These structures were printed without support structure due to small increments in
overhanging structures.

Figure 4.4. Conversion of image data into 3D cartilage structures. CT scan was thresholded and
converted into a .STL file a) which was used to create a printing tool path (red = bioink and pink =
support) b) and external ear graft c). The flexible structure was stable after removing the support and
116° overhanging structures were observed d-f). Cartilaginous meniscus grafts g) were flexible in
manipulation h-i) and were stable upon suturing to a bovine meniscus j). Cartilaginous grafts such as
intervertebral discs k) and noses l, m) were printed. Intervertebral disc graft was printed with
Bioink+Cartilage particles stained red (nucleus pulposus) and with Bioink+HA (annulus fibrosus).
Scale bars = 5 mm, and the smallest divisions on the ruler are 1 mm.
4.3.3 Bioink biocompatibility
Cellular bioprinting process was investigated with Bioink+HA to exclude all the interactions and
proliferation cues between particles and cells. One layer thick discs were printed to assess the cell
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viability after printing (Figure 4.5a) compared to initial cell viability prior to mixing into bioink
composite. To investigate cell viability in large structures, a young adult size nose (3.1cm, 2.6cm and
1.5 cm) was printed and kept in static culture until the cell viability in the middle of the construct was
evaluated from a central slice (minimum diffusion distance of 5 mm). Bioprinting with the particles
showed an 80% viability three hours after printing, however, after four days the cell viability
recovered to 97% where it remained until the end of the experiment. The young adult size nose graft
had decreased viability in the center of the scaffold (60% viable cells at day 7) compared to 96%
viability in the periphery (Figure 4.5b). This suggests the need for incorporating internal porosity or
channels to enhance nutrition transport. Such nutrition channels 178 or engineered porosity 309 could be
incorporated into the bioprinted structures by extruding the support polymer within the grafts which
would be cleared in the washing steps with the crosslinking. With this technique a complex 3D
interconnected porous network could be created that could be used to perfuse the grafts with the
nutrient rich medium. To further enhance the nutrition flow the grafts could be cultured in dynamic
pre-conditioning in bioreactors.
The effect of BioCartilage and TGF-β3 supplementation on cell proliferation was evaluated in casted
gels cultured for 21 days. The Bioink alone did not stimulate cell proliferation; in fact there was a
loss in DNA at day 7 which slowly recovered. Bioink+BioCartilage, on the other hand, stimulated
proliferation and caused a statistically significant increase (p< 0.001) in DNA over 21 days. With
TGF-β3 supplementation, there was a statistically significant increase in DNA in the BioCartilage
containing samples at day 7 (p< 0.001). By day 21, both bioinks showed increases in DNA, which
were not statistically significantly from each other. Initial amount of DNA was the same for all four
groups, showing that BioCartilage itself did not contain significant amounts of DNA residues.

Figure 4.5. Cell viability of printed constructs and the cell proliferation assay. Viability after printing
one layer thick discs was evaluated with live dead staining a) where 80% viability was observed 3h
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after printing, which recovered to 97% by day 4. To assess viability in a large structure, a young adult
size nose was printed and the viability was evaluated from a central slice (diffusion distance ~5mm)
evaluated by live dead staining. A cell viability of 60% was observed. Scale bar 5 mm (left), and 50
μm (right). Additionally, cell number in casted disks were evaluated with DNA quantification c)
where a statistically significant increase in DNA from day 1 to day 21 was observed with
Bioink+BioCartilage and both TGF-β3 supplemented compositions. Error bars represent standard
deviation and level of significance was (p<0.05).
Cartilage extracellular matrix production was evaluated with histology and immunostaining after 3
(Supporting Figure 4.1) and 8 weeks (Figure 4.6) in culture. Histological evaluation after 3 weeks
revealed clear increase in cell number, GAG synthesis and collagen type II production in both bioink
compositions supplemented with TGF-β3. Furthermore, Bioink+BioCartilage without growth factors
stimulated cell proliferation above Bioink alone which was clearly visible with 3 and 8 week H&E
staining. At both time points the Bioink+BioCartilage showed a slight increase in alcian blue staining
and at 8 week time point a slight collagen type II staining was observed suggesting need for additional
growth factor stimulation. Cells were often seen proliferating around the particles without the growth
factor supplementation which suggests that cell-particle adhesion and/or growth factors in the
particles are important. However, because in the Bioink+BioCartilage with TGF-β3 samples, no sitespecific proliferation was observed, the results suggest rather the particles are a source of mitogenic
growth factors and not specific cell-matrix adhesive cues. After 8 weeks the gross appearance of the
scaffolds (same order as histology) prior to fixing and paraffin embedding suggested growth factor
stimulation had a clear effect on cartilage matrix production as seen in the size and opaque appearance
of TGF-β3 supplemented samples (Figure 4.6). At 8 weeks, both supplemented bioink compositions
showed a significant increase in cartilage ECM components and had areas which began to resemble
the cell density and GAGs content of native cartilage. Furthermore, collagen type II deposition was
strong throughout the graft in the growth factor supplemented conditions while only pericellular
staining was seen in the samples cultured without TGF-β3. Collagen type I and alizarin red stainings
were performed to determine the fibrocartilage production and calcification. Collagen type I was
found in Bioink+BioCartilage and in both TGF-β3 supplemented conditions suggesting some
fibrocartilage production, perhaps due to the passaging of the cells. In all the conditions calcification
was absent suggesting the cartilage phenotype of the chondrocytes was stable.

80

Figure 4.6. Macroscopic appearance, histology and immunohistochemical stainings after 8 weeks of
culture. Bioink alone was not able to stimulate cell proliferation; however good biocompatibility was
observed and collagen type II positive pericellular staining was observed (enlargement, scale bar
25µm). Bioink+BioCartilage enhanced cell proliferation and had a positive effect on GAG production
and collagen type II deposition. Significant increase in cartilage ECM synthesis was observed in
bioink compositions supplemented with TGF-β3. No clear difference between Bioink alone and
Bioink+BioCartilage was observed. Collagen type I was synthesized in the presence of cartilage
particles and in TGF-β3 supplemented samples. However, no calcification was observed in any
condition suggesting a stable cartilage phenotype. Immunostaining controls were stained without the
primary antibody. Scale bars 100µm.
4.3.4 Magnetic resonance imaging
To assess the shape retention of the printed structures several MRI techniques were evaluated. The
printed nose was kept in PBS for 2 weeks to assure complete swelling prior T2-weighted MR
imaging. These images were thresholded and converted into a .STL file (Figure 4.7c) and compared to
the original model used for printing (Figure 4.7a) and to the cartilaginous graft immediately after
printing (Figure 4.7b). Comparison of the original model and the printed graft illustrates precise
material extrusion and detailed structures. However, slightly thicker nostril walls were observed in
comparison to the original model (white arrows). Furthermore, when comparing the printed structure
to the MRI model after 2 weeks swelling, a slight thickening of the nostril walls were observed,
however, no sign of degradation or deterioration of the shape was detected.
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To investigate cell-seeded graft stability between day 1 and 8 week, Bioink+BioCartilage samples
with and without TGF-β3 supplementation were measured with MRI. The apparent diffusion
coefficient (ADC) and water relaxation times (T1) and (T2) were performed and compared to bovine
hyaline cartilage. Diffusion imaging is increasingly applied for non-invasive tissue monitoring and
ADC values provide quantitative information on passive water diffusion restriction and collagen
structure. Furthermore, T1 and T2 have been shown to correlate with mechanical properties of native
and engineered tissues 339,349,350. T1, T2 and ADC values were acquired from the samples illustrated
in Figure 4.7d-f and there was no significant change in any of these parameters over the culture period
suggesting that the graft was stable. All of the values for the engineered tissue samples where higher
than for native articular cartilage (Supplementary Table 4.1).

Figure 4.7. MR imaging for monitoring printed grafts. Nose graft preserved its external dimensions to
a good extent after swelling for 2 weeks in PBS. 3D shape and volume were acquired from the printed
nose after two weeks of swelling c) compared to the original 3D model used in the printing a) and the
nose immediately after printing b). The comparison between the original 3D model and the acquired
MRI model illustrates slight thickening of the nostril walls (white arrows). Bioink+BioCartilage
samples after 8 weeks in vitro with and without TGF-β3 were imaged prior histology to evaluate the
MRI capability to detect ECM production. Engineered tissue grafts were compared to the initial grafts
(day 1) and to bovine hyaline cartilage. T1 d), T2 e) and ADC f) values were measured and no
significant difference between the engineered samples over the culture period was observed. The
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smallest divisions on the ruler are 1 mm. Error bars represent standard deviation and level of
significance was p<0.05.

4.4 Discussions
Bioprinting is a manufacturing method where cell-laden bioinks are deposited with high precision
based on computational 3D models. To explore translational possibilities of this technique, clinical
sized cartilage structures were bioprinted based on either patient-derived CT or generic 3D models.
Previously the external ear shape has been acquired using techniques such as photogrammetry 351,
MRI 239, and CT 89, to obtain the 3D models for negative mold fabrication. Nimeskern et al used MRI
to manually segment the cartilaginous structure from surrounding tissues 352. Our bioink printing
process combined with one of these imaging techniques could provide a more advanced approach to
clinical craniofacial cartilage reconstruction where patient-specific cartilaginous shape is of interest.
The present study introduces a newly developed cartilage bioink composite. Both base polymer
components of the bioink are already in medical use, thus the clinical translation is likely to be more
straightforward than for other bioinks. Gellan has been extensively used in drug delivery 203, whereas
alginate has been clinically used for decades especially in drug delivery and wound healing
applications 174,194. The unique feature of this bioink, however, was the incorporation of cartilage
matrix particles to make the printed structures a better biological mimic of native cartilage.
Commercial BioCartilage particles have shown potential in treating articular cartilage lesions and
were therefore investigated for the particle induced proliferation and chondrogenesis with and without
TGF-β3 supplementation 337,338,353. Other ‘micronized’ particles can also be incorporated into the
bioink formulation to make tissue-specific inks. In this paper, we also demonstrated the excellent
printability of HA-containing bioinks, suggesting that tissue particles from any source do not greatly
affect the rheological and printing properties of the bioink. Clinically translated and well established
decellularized skin 354,355, and placenta/amnion 356, have been recently micronized to increase
applicability in clinical soft tissue reconstruction as injectables 357, (Cymetra®, Graftjacket® Xpress,
AmnioFix®) while clinical particles from bone (DMB® inject™, Allomatrix®) and experimental
particles from spinal cord 358, and small intestinal mucosa 359 amongst others, have been explored
primarily as injectables for regenerative medicine, but could easily be translated to bioprinting
approaches.
Rheological characterization showed that all bioink compositions underwent shear thinning which is
important for bioink extrusion (Figure 4.2a). During shear thinning, the coiled polymer chains align
and disentangle at higher shear rates requiring less extrusion force to deposit the bioink, which is
beneficial for cell survival. Billiet et al. recently performed a parametric study investigating the
correlation of pressure to cell viability and found increasing pressure (p > 2 bar) to have a negative
effect on the cell viability 220. Aguado et al. suggested initial post-printing cell death was due to
mechanical cell membrane disruption from high shear stress in the printing nozzle 250. As shown in
Figure 4.5 the viability in our bioink was 80% three hours after printing, however, it recovered to 97%
four days after printing and remained high until the end of the experiment. The initial drop in cell
viability might be due to partial disruption of the cell membrane as the cells are mixed into the bioink
and/or during extrusion itself.
Another important rheological characteristic of bioinks is the fast shear recovery which predicts rapid
cessation of flow after extrusion. This property was pronounced in bioinks with particles compared to
the Bioink alone. Ten seconds into shear recovery, Bioink+BioCartilage and Bioink+HA had
recovered 98% and 90% respectively of the original modulus, while Bioink alone had only recovered
21%. In fact the Bioink required 25 seconds to recover 50% of the final modulus which is
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substantially longer time compared to particles containing bioinks. Nearly instantaneous cessation of
the particle-containing bioinks can be due to the particles hindering the tight packing of gellan tight
junctions and preventing their cationic interactions which lead to faster recovery after shear.
Furthermore, after shear the particles induce drag forces acting in opposition to the relative motion of
the polymers leading to faster cessation. Several cation concentrations and combinations were
investigated based on previous knowledge about cation interactions with the biopolymers 209,360.
Interestingly, barium was found to hinder the crosslinking of pure gellan leading to phase separation
with the highly crosslinked alginate. The best crosslinking conditions were achieved with 20 mM
strontium chloride solution, where the storage modulus of Bioink (152 kPa ± 3 kPa) was higher than
Bioink+BioCartilage (96 kPa ± 1 kPa) and Bioink+HA (110 kPa ± 2 kPa). Interestingly for cartilage
applications, strontium chloride and strontium renalate have been found to induce proteoglycan
synthesis in human chondrocytes 361,362. In fact, Urban et al. suggested that in osteoarthritis,
proteoglycan synthesis could decrease due to below physiological ionic strength environment and that
additional cation administration could have beneficial effects on chondrocyte metabolism 363,364.
Strontium-based crosslinking of engineered cartilage constructs might therefore have an added benefit
of promoting proteoglycan synthesis, thought this remains to be tested.
One concern with bioprinted structures are structural micro-defects which effect material properties of
the crosslinked grafts 365. These defects include layer-layer and thread-thread adhesion depending on
the crosslinking kinetics and in this case crack nucleation sites due to the presence of the particles and
cells. We found the tensile modulus of Bioink+HA decreased when cells were added to the ink (from
230 kPa ± 7.0 kPa to 116 kPa ± 6.8 kPa), but there was no difference in failure strain between the
acellular (37 % ± 6.4 %) and cellular (34 % ± 2.1 %) constructs. The difference in tensile modulus
was significant and might be partly due to the tensile measurement itself, where each of the
constituent components effects the final modulus 365. In this case, the cells increase the volume
fraction of the soft components and might hinder the network formation. Furthermore, the stress-strain
curve with rigid HA particles has a clear yield point whereas the cell-containing material has a
prolonged yield area and a more linear stress-strain response. In comparison to the tensile modulus of
native superficial zone articular cartilage (E = 4.98 ±1.66 MPa) 366, the tensile modulus of the printed
grafts is an order of magnitude lower; however, the linear regions of the stress-strain curves imply
native cartilage-like elasticity 367, where cyclic loading within the 10-15% of strain would fully
recover. Mechanical test data suggest that while the particle embedded grafts are still mechanically
inferior compared to the native cartilage, it may be appropriate as a temporary structure for tissue
formation especially in non-weight bearing craniofacial applications. The mechanical properties of
the printed structures could be enhanced by several means including longer crosslinking times, the use
of reinforcement scaffolds and longer pre-culture to allow newly synthesized ECM proteins to be
deposited within the structure.
To investigate water retention after crosslinking and its effect on shape retention, swelling studies and
MR imaging were performed. The water retention of the bioink with and without particles was
investigated and some particle-specific interactions were observed. Bioink had a water uptake of
3000% compared to a dry polymer weight which corresponds to literature values for low acylated
gellan gels 241. The total water retention after 48 hours was significantly different in Bioink+HA
(2000%) and Bioink+BioCartilage (3800%) compared to the Bioink alone. Similarly, the equilibrium
swelling after the hydrogel crosslinking illustrated similar behavior where the weight of the
Bioink+HA, Bioink+BioCartilage and Bioink increased 26%, 52%, and 54% respectively. Increased
water retention was observed in the presence of BioCartilage particles which contain negatively
charged GAGs known to attract water molecules whereas HA particles are electrostatically neutral
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and decreased the overall sample swelling due to decreased volume fraction of the bioink.
Furthermore, MRI was performed to assess shape and size changes of the nose grafts. When the
original model was compared to the printed cartilaginous graft, slight swelling was observed (Figure
4.7). Methods to overcome this would be to reduce the geometry of the graft in anticipation of the
swelling process or to increase the crosslinking density of the grafts.
Cell-laden Bioink and Bioink+BioCartilage were cultured for 8 weeks in vitro to evaluate their
potential for supporting chondrocyte proliferation and cartilage formation. Histologic evaluation of
the TE samples (Figure 4.6) illustrates cartilage matrix production where the gross appearance was
clearly different in both TGF-β3 supplemented groups. The increase in size and opaqueness suggest
ECM synthesis and formation of cartilaginous matrix. Further histological evaluation revealed cell
proliferation in Bioink+BioCartilage and to a higher extent in both TGF-β3 supplemented groups.
MRI measurements performed prior to the histologic evaluation of the same samples however showed
that while T1, T2 and ADC values could detect differences between native and engineered cartilage,
they could not detect changes in matrix deposition over the 8 week culture period. Recently, Chuck et
al. performed similar studies using MRI to monitor changes during muscle formation in vivo. The
injected stem cells formed cell clusters that decreased in T1, T2 and ADC nearly to the levels of
native muscle tissue in 28 days 339. This difference in MRI sensitivity might be related to the
inherently higher water content of the bioink (Figure 4.3c, d) due to its softer and extensively
hydrated polymeric network compared to the dense cellular structures. Furthermore, the dense highly
crosslinked network of collagen type II and GAGs seen in articular cartilage, leading to lower water
diffusion and relaxation times, may have not yet developed in the engineered grafts.

4.5 Conclusions
In summary, highly resolved and viable cartilage grafts were successfully bioprinted with the bioink
composite. We show with this bioink that extracellular matrix particles can be reconstituted into de
novo bioprinted cartilaginous structures. This technique is extendable to all sorts of tissue particles
and their combinations and is a promising, simple and clinically compatible approach to extend the
bioactivity of bioinks to towards that of native tissues. The material properties of the structures can be
further tuned by the chosen cations, concentration and duration of the ionic crosslinking.
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4.7 Supplementary data

Supplementary Figure 4.1. Histology after 3 weeks in culture and the initial scaffold staining. Day 1
Bioink+BioCartilage show light background with H&E and Alcian blue staining due interactions with
the biopolymers. Clear increase in cell numbers can be observed in Bioink+BioCartilage and in both
TGF-β3 supplemented compositions. Growth factor supplementation was necessary to stimulate
GAGs and collagen type II production.

Supplementary Figure 4.2 illustrates the MTS assay over 21 days. Day 1 values were not
significantly different between the groups. Bioink+BioCartilage had significantly higher values at day
7, 14 and 21 days compared to the alginate controls.
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Supplementary Table 4.1 T1 relaxation values of the cultured scaffolds had a slight decrease
compared to day 1 value. Furthermore, T2 relaxation values of the cultured scaffolds were
counterintuitive where the Bioink+BioCartilage samples T2 values decreased while TGF-β3
supplemented scaffold did not show any decrease despite the clear cartilaginous ECM production
observed in histology. Finally, ADC values did not change after 8 weeks. All the differences
compared to the native articular cartilage were significant. Data shown as mean ± standard deviation.
Sample and/or time
Bioink+BioCartilage
Day 1
Bioink+BioCartilage
8 weeks
Bioink+BioCartilage
8 weeks with TGF-β3
Articular cartilage

T1 relaxation
2623 ms ± 374

T2 relaxation
104 ms ± 9.1

ADC
1.78 x 10-3 mm2/s ± 2.01 x 10-4

2499 ms ± 28

84 ms ± 5.3

1.73 x 10-3 mm2/s ± 5.12 x 10-5

2353 ms ± 105

106 ms ± 11

1.79 x 10-3 mm2/s ± 4.34 x 10-5

1614 ms ± 63

49 ms ± 6

1.3 x 10-3 mm2/s ± 3.08 x 10-5
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Abstract
Bioprinting technologies are based on layer-by-layer assembly processes to manufacture living tissue
grafts. Hydrogel-based bioinks are commonly utilized to embed living cells within the bioprinted
grafts to mimic soft tissue ECM environments that can support cell proliferation and function. It is
well described that the high-density polymer networks can obstruct cellular functions, thus low
polymer concentration gels are often superior in supporting cell homeostasis. However, these low
polymer content hydrogels are often weak and do not withstand in loadbearing applications without
reinforcement. Bioprinted reinforced hydrogel structures have been investigated to improve grafts
mechanical properties. The current bioprinted reinforcement materials, however, mainly consist of
lactic acid-based thermoplastic polymers which are hydrophobic and therefore cannot directly bind to
hydrogel-based bioinks. This leads to weak material interfaces and insufficient load transfer between
the constituents. To improve an alginate and gellan cell-laden bioink’s mechanical properties, an
acellular hydrogel-based reinforcement ink, which directly crosslinks to the cell-laden bioink, was
introduced. The reinforcement ink contained 1% gellan gum and 7% alginate with embedded 0.18%
CaCO3 to initiate internal ionic crosslinking. In comparison to constructs made from bioink-alone, the
composites made of both reinforcement ink and bioink, had mechanical properties which increased in
proportion to the percentage of the reinforcement. Composite structures with 10%, 25% or 50% of
reinforcement inks were compared to the bioink-alone. A high post-bioprinting cell viability (80±5%)
was achieved in all the grafts containing human auricular chondrocytes. We further implanted grafts
made of bioink-alone and 25% reinforcement + 75% bioink composite grafts for 8 weeks in vivo to
investigate how the biomechanical properties develop. The bioink-alone and reinforced bioink grafts
had increased mechanical properties after in vivo implantation in comparison to the initial grafts and
substantial cartilage-specific ECM deposition was observed in both graft types. This study
demonstrates a way to reinforce ionically crosslinked hydrogels and that these composites both
support cartilage-specific matrix production in vivo while synergistically improving the mechanical
properties of the grafts.

5.1 Introduction
Cartilage reconstruction via bioprinted TE grafts have been extensively investigated 214,259,274,368.
Common biomaterials for bioprinted soft tissue reconstruction applications, such as auricular
cartilage, are hydrogels. The cell-laden hydrogels and bioinks with lower E-modulus have been shown
to support stem cell viability 369, migration 138 and differentiation 162 to a higher extent compared to
densely crosslinked hydrogel networks. Furthermore, the initial biomechanical properties of hydrogelbased bioinks have been shown to significantly increase the E-modulus during the in vitro cell culture
period when the ECM proteins are being deposited by the resident cells in TE auricular grafts 281,285.
The mechanical properties of the hydrogel-based bioink constructs can be enhanced alternatively via
internal reinforcement structures which can provide additional stiffness locally. In such reinforced
constructs the bioink can transmit the induced mechanical forces to the reinforcement structure which
increases the synergistic construct stiffness due to load transfer 370. The current reinforced bioink
composite bioprinting strategies often combine high E-modulus thermoplastic polymers, which have
been extensively used in support structures, with soft cell-laden hydrogels 73,155,371. Lactid acid based
thermoplastic polymers such as poly ε-caprolactone (PCL) reinforcements have been primarily
utilized in extrusion 69,152,372,373 and in direct electro writing processes 374,375. Despite the wide use of
PCL reinforcements, these polymers have limitations such as local pH decrease during polymer
degradation, high hydrophobicity 153 that prevents direct binding with the hydrogel-based bioinks and
the disproportionally high E-modulus in the order of hundreds of megapascals (343.9±33.2 MPa)376 in
comparison to a few megapascals (1.66±0.63 MPa)5 elastic cartilage. Similarly synthetic PE implants
used in the clinical auricular reconstruction have been reported to have E-modulus of (140.0±0.04
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MPa)377. This significant E-modulus mismatch between the implant and the native tissue can
contribute to the scaffold extrusion due to the micro-movement between the skin and the implant 5.
Furthermore, the high E-moudulus and stiffness of the implant contributes to the unnatural fealing of
the reconstructed auricle and prevents natural flexibility thus being vulnerable to external trauma.
Biomimetic TE auricular reconstruction techniques should provide comparable properties with the
native elastic cartilage to minimize the discomfort and risk of adverse reactions. Recently, bioprinting
approaches have been introduced to reinforce hydrogel based auricular structures to closer mimic the
native elastic cartilage properties 236,378. Melchels et al. introduced a poloxamer based
photocrosslinkable reinforcement ink that was suitable for gelatin methacryloyl (GelMA) bioink
reinforcement and no negative effects were observed with the embedded chondrocytes in vitro 236. The
aforementioned reinforcement ink and bioink are based on chemically modified polymers which
require the presence of radicals forming initiators and a high concentration of poloxamer (> 5%)
which have been shown to negatively effect the long term cell viability 171,173. This manuscript
presents a novel reinforcement ink that takes an advantage of internally initiated cation release based
on pH reduction for a slow release of insoluble cations. We demonstrate the possibility to tune the
reinforcement ink’s cation amount and release kinetics thus a wide range of mechanical properties can
be achieved. The reinforcement ink and the bioink were composed of the same constituent polymers,
namely gellan gum and alginate, thus a strong binding between the inks was achieved. This approach
allows intra-layer and inter-layer crosslinking to synergistically increase the mechanical properties of
the composite. The reinforced bioink composite grafts, where 25% of the volume was composed of
the reinforcement ink, increased the E-modulus by 72% (193.4±23.6 kPa) without decreasing the
achieved ultimate strain in comparison to the bioink-alone. Both inks used in the composite
bioprinting were extensively characterized for mechanical and biological properties in vitro and in
vivo with human auricular chondrocytes embedded within the bioink matrix. Full-sized auricular
grafts were printed with internal reinforcement structures to demonstrate the composite printing
possibilities and suitability for auricular cartilage TE applications.

5.2 Materials and methods
Low acyl gellan gum (Kelcogel) from the CP Kelco (Atlanta, US) and high G content alginate (I-1G)
from Kimica (Paine, Chile) were kindly provided by the producers. D-glucose, ascorbic acid and
SrCl2 were purchased from Sigma-Aldrich (Buchs, Switzerland). Dulbecco’s modified Eagle’s media
(DMEM), phosphate buffered saline (PBS), fetal bovine serum (FBS), penicillin-streptomycin (PS),
and trypsin were all purchased from Life Technologies (Zug, Switzerland). CaCO3 and D-gluconic
acid d-lactone (GDL) were purchased from Sigma-Aldrich (Buchs, Switzerland). Recombinant human
TGF-β3 was purchased from Peprotech (US). All concentrations are given in percentages
weight/volume (% w/v) unless indicated otherwise.
5.2.1 Materials preparation and bioprinting
Inks preparation: Gellan gum and alginate were added to ultra-pure water containing D-glucose
(300mM) at 90°C to achieve a bioink solution. In all bioink concentrations both polymers were added
simultanously to the boiling flask which was kept stirring at 90°C until the solution was
homogeneous, approximately for one hour. The bioink solution was cooled to room temperature while
manually mixing before the cell suspension was added in 1:10 ratio to achieve a final cell
concentration of 6 x106 cells/ml. The bioink (305mM) was manually mixed until a homogeneous paste
was achieved and the printing syringes were loaded.
The reinforcement ink was composed of 1% gellan gum and 7% alginate. The polymers were
dissolved in 14 ml of D-glucose (300 mM) supplemented ultra-pure water (pH = 8) that was mixed
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with the internal crosslinking cation CaCO3 powder in 0.12% (1.23 mg/ml), 0.18% (1.8 mg/ml) and
0.24% (2.4 mg/ml). This solution was stirred for 1.5 hours at 90°C in order to obtain a homogeneous
solution. D-Gluconic acid d-lactone (GDL) was dissolved in 1 ml of D-glucose (300 mM) and a molar
ratio of 1:2 between Ca2+:GDL was used. GDL solution was added in 1:10 volume ratio and the
reinforcement ink (337mM) was mixed until it cooled to room temperature. Upon mixing of the GDL
solution with the CaCO3-containing reinforcement ink the crosslinking reaction was initiated. The
initiated reinforcement inks were loaded into printing syringes.
Table 5.1. Summary of the bioink and reinforcement ink compositions prepared for the bioprinting
studies. GDL was mixed with the reinforcement ink in 1:2 ratio between Ca2+:GDL in all conditions.
Designation
Bioink
Low
3.0% GG + 2.0% Alg
Moderate
3.5% GG + 2.5% Alg
High
3.5% GG + 3.0% Alg
GG = Gellan gum, Alg = Alginate.

Reinforcement ink
1.0% GG + 7.0% Alg + 0.12% CaCO3
1.0% GG + 7.0% Alg + 0.18% CaCO3
1.0% GG + 7.0% Alg + 0.24% CaCO3

Cells and bioprinting: Auricular concha cartilage sample and microtia cartilage remnant (histology
control) were obtained after receiving a patient’s consents and collected according to the Swiss laws
governing use of human tissue for research purposes. Briefly, human auricular chondrocytes were
isolated from the auricular concha cartilage, a left over tissue from a healthy 28 year old male patient,
used in rhinoplasty. The cartilage pieces were washed and cleared of surrounding soft tissues to obtain
only pure auricular cartilage. These cartilage pieces were minced into small fragments before
performing digestion with 0.15% collagenase overnight at 34°C under gentle agitation. This tissue
digest was then consecutively filtered through 100 and 70 micrometer sieves to remove any
undigested tissue particles. The released chondrocytes were plated in monolayer culture (7000
cells/cm2) in DMEM supplemented with 10% FBS, 50 μg ml-1 ascorbic acid and 1% PS. At fourth
passage four the cells were collected and mixed with the bioink to achieve final concentration of
6x106 cells/ml after which the bioink was loaded into the bioprinting syringes. All the printing
syringes were mounted on an extrusion printer Biofactory® (RegenHU, Switzerland) and the printing
parameters including pressure (140kPa), flow rate (800 mm/min) and printing height (420µm) were
set for a 410 micron nozzle diameter. Two pneumatic extrusion heads were used to co-extrude the
composite structures. The 3D models for the samples were generated with the proprietary bioprinter
software whereas the reinforced ear model was composed using Cinema 4D software (Maxon,
Germany) and converted into .STL files for the bioprinter. Immediately following the printing, the
structures were transferred into a crosslinking bath containing 20mM SrCl2 and 150mM NaCl at 4°C.
Crosslinking was performed in agitation for 60 minutes. After crosslinking the grafts were transferred
to DMEM containing 1% PS, ascorbic acid (50 μg ml-1) and TGF-β3 (10ng ml-1) and cultured under
normoxic (21% O2) conditions. This in vitro preculture was continued until analysis of viability or for
three weeks until the in vivo implantation.
5.2.2 In vivo experiments and sample evaluation
In vivo experiments: Animal studies were performed according to the guidelines of the Kantonal
veterinary offices in Zurich, Switzerland (License No. ZH189/2014). Immunocompromised two
months old female nude mice (NU-Foxn1nu, Charles River) (n=3) were used. Briefly, two bioprinted
scaffolds per animal were subcutaneously implanted through dorsal incisions parallel to the midline of
the animal. During the study the habitus, weight gain and wound appearance were followed. At the 8
week endpoint, the animals were euthanized with CO2 and the scaffolds were explanted and stored in
PBS until the mechanical testing and histology were performed.
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Assays: Cell viability of in vitro preculture samples was analyzed using 10 μM hoechst and 10 μM
propidium iodide staining solutions in DMEM and the samples were imaged with a fluorescent
microscope (Zeiss Axio Observer, Zeiss, Switzerland). Each condition was analyzed from triplicate
samples with three to four images per sample.
All rheological measurements were performed with a rheometer (MCR 301, Anton Paar, Zofingen,
Switzerland) in oscillation with a plate-plate geometry PP20 sealed with a low viscosity silicon oil
while saturating the measuring chamber with evaporated water to prevent any drying effects. All
experiments were performed by measuring storage modulus G' and loss modulus G'' at a frequency of
1 rad/s and 1% strain. Crosslinking kinetics were measured for up to 24 hours to determine the sol-gel
transition. Shear recovery experiments consisted of nine repetitions of oscillatory measurements with
alternating high shear sequences lasting 1 second at 100 s-1 simulating the printing induced shear.
Mechanical evaluation in tension and indentation were performed with a texture analyzer
(TA.XTplus, Stable Micro Systems, UK). Indentation was performed in the center of the in vivo
grafts (9x9x3mm) until 14% strain with a compression speed of 0.01mm/s using 2mm diameter flat
cylindrical indenter. Indentation E-modulus was analyzed at indentation depth equal to 5% strain with
following equation:

𝐸 = 𝐸𝑖 (

𝜋ɑ
2ℎĸ

(1 − 𝑣 2 ))

(5.1)

Where Ei is the slope of the indentation modulus, d (F/πɑ2) / d(w/h), h is the sample height, w
indentation depth and ĸ the theoretical scaling factor. A Poisson’s ratio of 0.249 was used based on
literature values for auricular cartilage 379 and based on the indenter probe to sample area-aspect ratio
the ĸ correction factor was selected for the flat cylindrical probe to be 1.472 380.
Tensile tests were performed using printed three layer high rectangular specimens (3x7x50mm) which
where stamped with ISO-527-5b compliant dye to obtain the dumbbell samples. The tensile
specimens were attached to the grips without preloading and the stress-strain curves were recorded
after a 0.1N pre-force was reached. All the samples were subjected to a controlled tensile
displacement of 0.05 mm s-1 until failure. An inline camera recording system was used to analyze
local displacement. E-modulus values were calculated using the local displacement data:

𝐸 = 𝜎𝑐 ⁄𝜀𝑙

(5.2)

Where εl is local strains (true deformation) determined from images of the deforming specimens and

σc

the Cauchy stresses. Cauchy stresses was obtained for each specimen according to the following
equation:

𝜎𝐶 = 𝐹𝑐 /(𝑤𝑐 𝑡𝑐 )

(5.3)

Where Fc is the measured force, wc the specimen width, and tc the thickness during the measurement
(deformed). Initial specimen dimensions (width and thickness) were measured initially (reference)
using a stereomicroscope (Wild M650, Leica) and the poisson ratio was analyzed from the local
deformation tracking to simulate the thickness changes during the deformation (deformed). Local
(true) strains were determined from images of the deforming specimens (time lapse) via point tracking
using an ImageJ plugin trackmate. In tensile experiments the E-modulus was calculated from the
linear region of the stress-strain curve, at 5% strain. Ultimate stress and strain values were recorded at
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the point of rapid force drop related to failure of the specimen. Ultimate stress was always calculated
using Cauchy stress equation and ultimate strain was always determined from the local deformation.
The measuring system was recalibrated between the samples.
After mechanical testing the grafts were fixed with 4% formaldehyde, dehydrated in ethanol
gradients, paraffin embedded and cut to 4µm slices with a rotary microtome (Microm HM 325).
Histological stainings with hematoxylin & eosin (H&E) and Alcian blue were performed.
Immunohistochemical stainings with antibodies of collagen type I (Abcam, ab34710) and collagen
type II (Rockland, BioConcept, 600-401-104S) were performed. The secondary antibody Alexa 488
(LifeTechnologies, Zug, Switzerland) was used and the samples were counterstained with Hoechst.
Colorimetric stainings were imaged utilizing a Pannoramic 250 slide scanner (3DHistech) and
analyzed with Pannoramic Viewer (3DHistech). Immunohistochemical stainings were imaged with a
Zeiss Axio Observer (Zeiss, Switzerland) using the same exposure time for each staining for
comparable fluorescence intensity. The fluorescent images were analyzed with ImageJ software.
Statistics: Data from the assays are expressed as mean ± standard deviation. Statistical analysis was
performed with R (Version 0.99.486) and OriginPro 8G (OriginLab) where student t-tests or one-way
ANOVA with Bonferroni post-hoc testing were used to determine the significances. The level of
significance was always determined to be p<0.05.

5.3 Results and discussion
Bioprinting of composite structures was initiated by investigating different concentrations of bioinks
and reinforcement inks. Several compositions were bioprinted without cells and tested in tension
according to ISO-527 standards (Table 5.1). The results illustrate that the low bioink 3% gellan gum
+ 2% alginate, containing the lowes biopolymer concentration, had the lowest E-modulus and ultimate
stress values. The biological properties of this low bioink have been previously investigated in vitro
with promising results 381 thus the bioink composition 3% gellan gum + 2% alginate was used in
further experiments. All the printed constructs were crosslinked for 60 minutes in 20mM SrCl 2 to
crosslink the bioink component which has been previously shown to be cytocompatible and sufficient
crosslinking duration to form stable bioink gels 210. The acellular reinforcement ink was selected
based on the tensile measurements of multiple bioprinted gellan gum and alginate compositions
(Supplementary Table 5.1) where the highest secant modulus and the ultimate stress was observed in
the 1% gellan gum + 7% alginate ink after 1 hour crosslinking in 20mM SrCl2 solution. The selected
reinforcement ink composition was further characterized with an internal gelation reaction with
CaCO3. This crosslinking method is based on an insoluble cation source, such as CaCO3, SrCO3 or
CaSO4, which is mixed with the hydrogel and released via pH reduction. This pH reduction was
performed with a slowly hydrolyzing molecule GDL 200,207,382. This crosslinking reaction can be tuned
by varying the cations source and concentration in combination with the varying amounts of the pH
reducing agent to affect the crosslinking kinetics and the obtained mechanical properties. Previous
studies have demonstrated homogeneous distribution of the cations within the physically crosslinked
hydrogels with uniform polymer concentration and mechanical properties 200,204,209,383. Kuo et al.
reported a use of CaCO3 − GDL and a combination of CaSO4 − CaCO3 − GDL to provide control over
the homogeneity of the hydrogel structure and the crosslinking kinetics 204. The reinforcement ink
compositions were rheologically and mechanically tested with varying molar ratios of the mixed
cations in comparison to the carboxylic groups (0.12%-0.24% Ca2+: COO-) with a constant pH
reducing agent to cation ratio (1:2, Ca2+ : GDL) 199,270,382. The changes in the CaCO3 concentrations
affected the sol-gel transition (G' = G'') kinetics by accelerating the gelation in the presence of more
CaCO3. The reinforcement inks were printed within different time windows to observe the printing
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properties before and after the gelation (Figure 5.1). The sol-gel transition was observed within a few
minutes in high supplemented reinforcement ink (0.24%), at 120 min in moderate (0.18%) and in low
(0.12%) the gelation was not observed within 24 hours. Figure 5.1 illustrates the changes in the
crosslinking kinetics and its affect on the structural integrity of the printed lines. This data correlates
with the decreasing secant modulus in the samples printed after gelation (268.2±19.1 kPa) compared
to before gelation (331.5±67.1) (Table 5.1).
Table 5.1. Tensile properties of the bioprinted bioink and reinforcement ink compositions.
Ink composition
designation Secant modulus Ult. Stress Ult. Strain
[kPa]
[kPa]
[%]
Bioinks:
3.0% GG + 2.0% Alg
Low
112.2±15.8
53.7±4.7
35.7±2.7
3.5% GG + 2.5% Alg
Moderate
195.3±19.7
71.6±10.1 36±4.0
3.5% GG + 3.0% Alg
High
145.5±15.8
64.2±10.2 35.2±5.2
Reinforcement inks:
1% GG + 7% Alg
217.6±44.9
102.3±13.8 39.5±4.2
1% GG + 7% Alg + 0.12% CaCO3, Low
322.6±91.6
n.a.
n.a.
30min < t < 300min
1% GG + 7% Alg + 0.18% CaCO3, Moderate
331.5±67.1
168.5±18.9 41±1.6
30min < t <120min
1% GG + 7% Alg + 0.18% CaCO3, Moderate
268.2±19.1
103.2±10.4 37.5±1.6
120min < t < 300min
1% GG + 7% Alg + 0.24% CaCO3, High
285.6±19.9
91.4±13.8 36.7±3.5
30min < t < 300min
Where t is the time window of the tensile sample printing. GG = Gellan gum, Alg = Alginate.
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Figure 5.1. The changes in the crosslinking kinetics of multiple reinforcement ink conditions were
evaluated. a) Crosslinking kinetics of the inks were characterized with rheological measurements. b)
Bioprinting was performed at 30 minute intervals after the crosslinking was initiated to observe the
changes in the printed structures. Shear recovery measurements of five consecutive shear cycles are
illustrated for the reinforcement ink (1% gellan gum+7% alginate +CaCO3 0.18%) and bioink (3%
gellan gum +2% alginate) recovery c). Full nine cycle shear test (Supplementary Figure 5.1). Both the
bioink and reinforcement ink were printed in sheets and single lines to demonstrate printing fidelity
d). 50% Reinforced bioink composite structures were printed to microscopically observe the line
interaction (reinforcement ink was stained for improved visualization). Scale bars 1mm.
5.3.1 Hydrogel composites with enhanced mechanical properties
The selected bioink low (3% gellan gum+2% alginate) and reinforcement ink moderate (1% gellan
gum+7% alginate +CaCO3 0.18%) were further used in this study based on the initial assessment of
the material properties. The selected inks were characterized with rheological shear recovery
measurements to determine the cessation kinetics and the reproducibility of this behaviour after nine
shear cycles (Supplementary Figure 5.1). The bioink cessation was almost instant and a full recovery
was achieved whereas the reinforcement ink had rapid cessation that surpassed the values before shear
due to an ongoing internal crosslinking. The reinforcement ink had lower storage and loss modulus in
comparison to the bioink which can be explained by the low concentration of gellan gum which is the
main viscosity enhancer of the ink due to the thermal gelation of the network. However, when the
released cation concentration increases the reinforcement ink exceeds the stiffness of the bioink due to
the higher alginate concentration. Ionic crosslinking via alginate egg-box structures is known to result
in strong network formation 207,209,384 whereas the gellan gum junction zones ionic interactions are
weaker 208,341. Bioprinting was performed with 410µm conical nozzles and the final resolution of the
reinforcement ink and the bioink line dimensions were 1403±30 µm and 1243±65 µm, respectively.
The selected bioink and reinforcement ink were co-extruded to produce three different composite
structures containing 10%, 25% or 50% reinforcement ink of the total graft volume. These composite
grafts were tested in tension to investigate the effect of the reinforcement percentage on mechanical
properties (Figure 5.2). The secant modulus increased 22% in 10% composite (137.1±15.6 kPa,
p<0.01), 72% in 25% composite (193.4±23.6 kPa, p<0.01), 113% in 50% composite (239.0±32.2 kPa,
p<0.01) and 195% in reinforcement ink alone (331.5±67.1 kPa, p<0.01) in comparison to the bioinkalone (112.2±15.8 kPa). The average ultimate stress increased 3% in 10% composite (56.7±8.7 kPa,
p>0.05), 38% in 25% composite (73.9±9.2 kPa, p<0.01), 104% in 50% composite (109.6±13.2 kPa,
p<0.01) and 214% in the reinforcement ink alone (168.5±18.9 kPa, p<0.01) in comparison to the
bioink-alone (53.7±4.7 kPa). As expected from the bioink and reinforcement ink characteristics
(Table 5.1), the ultimate strain values did not significantly change in any of the composite structures
which is beneficial for preserving the hydrogel-based bioink’s characteristic elasticity and flexibility.
Table 5.2 summarizes the data achieved from the mechanical characterizations of the composite
structures.
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Figure 5.2. Mechanical characterization of the bioink-alone and reinforced bioink composite
structures. a) Composite structures were printed with 10%, 25% and 50% reinforcement volumes
(reinforcement ink was stained for improved visualization). Samples with varying percentage of
reinforcement were mechanically tested in tension for secant modulus b), ultimate stress c) and
ultimate strain d). The box plots represent 75% of the measurements and the whiskers represent the
minimum and maximum values. The reinforcement ink was printed in the time window (30 < t < 120
min) to achieve the highest possible mechanical properties. All the printed constructs were
crosslinked for 60 minutes in 20mM SrCl2 to crosslink the bioink component and further crosslink the
reinforcement ink.
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Table 5.2. Summary of the mechanical properties obtained for the bioprinted bioink alone and
reinforced bioink composites grafts. These results illustrate the increase of the mechanical properties
in relation to the percentage of the reinforcement.
Composition
Bioink alone
Composite 10%
Composite 25%
Composite 50%
Reinforcement alone

Secant modulus
[kPa]
112.2±15.8
137.1±15.6
193.4±23.6
239.0±32.2
331.5±67.1

Ult. Stress
[kPa]
53.7±4.7
56.7±8.7
73.9±9.2
109.6±13.2
168.5±18.9

Ult. Strain
[%]
35.7±2.7
33.3±3.1
32.2±1.7
36.3±3.7
40.2±1.6

5.3.2 Bioink supports cartilage formation in vivo
After the mechanical characterization of the bioink, reinforcement ink and the composite structures
the biocompatibility of the proposed reinforcement technique was investigated in vitro and in vivo.
The bioink-alone and three reinforced bioink composite conditions 10%, 25% and 50% were
characterized for in vitro biocompatibility with human auricular chondrocytes. The internal
crosslinking of the reinforcement ink could affect the cell viability due to local changes in pH and/or
osmolarity during the crosslinking reaction where local pH reduction mediates the cation release. Jang
et al. performed a similar study by directly encapsulating nasal chondrocytes into alginate hydrogels
with internal CaCO3-GDL crosslinking which was shown to be a biocompatible reaction resulting in
appropriate grafts for cartilage ECM production with nasal chondrocytes 384. The cell-laden bioink
was printed with and without the reinforcement ink. In composite grafts, the bioink and
reinforcement were extruded in parallel, alternating lines to maximise the contact between the two
inks. This maximal contact between the inks was selected as the pattern which would maximize the
exposure of the embedded cells to cations leaching out of the reinforcement ink. All the printed grafts
with or without the reinforcement ink had an average initial cell viability of (80±5%). This average
viability did not significantly change within any of the study groups or between the groups over the 14
days in vitro culture. After demonstrating the cell compatibilty in vitro (Figure 5.3a,b) the cellular
grafts were investigated for their in vivo performance.
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Figure 5.3. In vitro and in vivo biocompatibility of the bioink and the reinforced bioink composites
were investigated. a) Cell viabilities in the bioprinted bioink-alone and the reinforced bioink
composite grafts were analyzed up to 14 days without significant changes. b) The representative
viability images stained with Hoechst (blue, all cells) and propidium iodine (red, dead cells) illustrate
homogeneous cell distribution within the bioink. The bioink and the reinforced bioink composites
were implanted in vivo for 8 weeks before mechanical testing to evaluate the E-modulus development
c). d) Translucent bioink grafts with and without reinforcement structures developed more opaque
appearance during in vivo implantation and vessels on the surface of the grafts were observed. The
viability error bars represent the standard deviation and the significance level was p<0.05. The box
plots represent 75% of the measurements and the whiskers represent the minimum and maximum
values. The scale bars in b) represent 100µm and the minor scale dimensions in d) are 1mm.
The bioprinted cellular bioink-alone and 25% reinforced bioink composite grafts were implanted
subcutaneously to study in vivo development of the grafts. In this in vivo study, the mechanical
testing of the grafts was performed in indentation directly after bioprinting, after three weeks of
preculture in vitro and after 8 weeks in vivo. The E-modulus of the bioink-alone and the reinforced
bioink composite grafts increased significantly between the initial and the 8 weeks in vivo endpoint
within the groups. Furthermore, the E-modulus of the bioink grafts (134±27kPa) and the reinforced
bioink composite grafts (203±41kPa) were significantly different (p<0.01) after the in vivo culture.
This significant difference between the graft types was hypothesized to result from the enhanced load
transfer between the two inks. The improved interactions may result from interconnected collagen and
hydrogel networks binding the two inks together and/or due to a confinement of the bioink within the
reinforcement ink structures. Liao et al. demonstrated that a woven PCL fiber reinforced hydrogels
consisting of either alginate and polyacrylamine interpenetrating network (IPN) hydrogel or alginate
hydrogel alone (single hydrogel) had significantly different Young’s modulus in compression 385.
They suggested a theory that the porous single hydrogel network was unable to retain fluids in the
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highly porous hydrogel network in compression while the denser IPN was sufficient to enable fluid
pressurization in compression similar to native articular cartilage 385. The enhanced physical binding
between the composite constituent inks and the bioink confinement together might be the leading
cause of the significant mechanical properties increase in the reinforced hydrogel networks after the in
vivo culture period. Furthermore, the bioink deformation was obstucted in between the reinforcement
ink structures which can increse the E-modulus and in fact similar results were found by Visser et al.
in a Gel-MA based hydrogel network reinforced with melt-electrospinning written PCL microfibers
375
. This theory should be further investigated with different compression rates and different
bioprinted reinforced structures to determine the physical phenomenon behind the E-modulus increase
in the reinforced bioink composite grafts.
During in vivo studies the grafts developed opaque appearance. This appearance change can result
from ECM deposition within the grafts. Histological analysis of the grafts revealed significant
collagen type I and II deposition and to a lesser extent increased GAG content between the initial
timepoint and after 8 weeks in vivo (Figure 5.4). A strong alcian blue background staining was
observed in the reinforcement ink which was diminishing over time. In fact it is well described that
the alcian blue is a cationic stain dependent on the pH of the sample 9,386. In the reinforcement ink the
pH reducing GDL molecules are present due to the long hydrolyzing time which affects the local pH
while the released carbonate ions (CO32-) are negatively charged and can bind the cation based
staining solutions such as alcian blue, safranin O and toluidine blue. This unspecific interaction
suggests that these stainings may present significant background staining in GAG detection in the
presence of high concentration of GDL and carbonate ions. Collagen type I staining was performed to
investigate the development of fibrocartilage which was present in these grafts suggesting
fibrocartilage-like ECM deposition at 8 weeks. Collagen type II was extensively produced during the
studi period of 8 weeks. These results suggested no hindrance in in vivo development of the ECM
within the reinforced bioink composite grafts in comparison to the bioink-alone grafts.
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Figure 5.4. Histological and immunohistochemical evaluation of the in vivo grafts in comparison to
auricular cartilage stainings. After 8 weeks in vivo the samples were analyzed histologically with
standard histopathology staining (H&E), GAG staining (Alcian blue) and with immunohistochemical
stainings specific for collagen type I and II. Reinforced bioink composite grafts are oriented to show
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reinforcement ink on top and the cell-laden bioink on bottom, the interface marked with a dashed line.
The positive control represents parallel stainings of auricular cartilage from a microtia patient. Full
graft images (Supplementary Figure 5.2). Scale bar illustrates 100 µm.
A proof-of-concept bioprinting of large structures, such as reinforced auricular grafts, was possible
with this technique (Figure 5.5). A model of a full-sized adult ear (5.5x3.3x1.1cm) was bioprinted in
24 consecutive layers with total volume of 8.1ml 15–17. The printing window (30 < t < 120 min),
dependent on the internal crosslinking kinetics of the reinforcement ink, was suitable for manufacture
of large and complex grafts. The bioprinted reinforced bioink composite structures remained flexible
after crosslinking which can improve the applicability of this hydrogel-based reinforcement ink to soft
tissue applications in comparison to rigid thermoplastic polymer reinforced grafts. In comparison to
the 3D models the printed structures were demonstrated to produce similar resolution and high
resemblance to the original digital models.

Figure 5.5. Auricle shaped reinforced bioink composite structures were printed for the proof-ofconcept demonstration. This bioprinting process illustrates the possibility to print full-size auricle
structures with a reinforcement ink which is based on ionic internal crosslinking. The internal
reinforcement structure was stained to visualize the embedded structure. The scale increments are
1mm.

5.4 Conclusions
In this study a new hydrogel-based reinforcement ink was established with a manufacturing process to
generate internally reinforced bioink composite grafts. This reinforcement ink was demonstrated to
enhance mechanical properties of the bioprinted cellular bioink grafts without negatively affecting
cell viablity. The cell-laden bioink-alone and 25% reinforced bioink composite grafts were implanted
in vivo for 8 weeks and comparable ECM deposition was observed histologically. Similarity between
the conditions was illustrated with histological analysis which revealed clear collagen type I and II
expression and to a lesser extent increased GAG deposition in both graft types. The higher initial Emodulus of the reinforced bioink grafts did not have negative affects on the encapsulated
chondrocytes or their capability to synthesize cartilage-specific ECM. Interestingly the postimplantation E-modulus was significantly higher in the reinforced bioink composite grafts in
comparison to the bioink grafts. The higher E-modulus of the reinforced bioink composites were
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hypothesized to result from an obstruction of the bioink deformation within the stiffer reinforcement
structures in the composite and the improved binding between the constituent inks. In fact, the
reinforcement ink and the synthesized ECM proteins could form a network which obstructs diffusion
and enhances the inks binding resulting in improved load transfer between the components. More
experiments need to be conducted to investigate the physical phenomenon behind the improved
mechanical properties. Reinforcement structures could be developed to optimize bioink confinment to
maximize the mechanical properties of the bioprinted reinforced bioink composite grafts. This could
result in new discoveries of the reinforcement techniques which can only be realized via bioprinting
approaches.
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5.6 Supplementary data

Supplementary Figure 5.1. Shear recovery measurements of nine consecutive shear cycles are
illustrated for the reinforcement ink (1% gellan gum+7% alginate +CaCO3 0.18%) and bioink (3%
gellan gum +2% alginate).
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Supplementary Figure 5.2. Histological stains of the bioink-alone and 25% reinforced bioink
composite grafts after bioprinting, preculture and 8 weeks in vivo. Sample from a microtia cartilage
remnant was stained as a control. Scale bar 2mm.

Supplementary Table 5.1 Summary of several reinforcement ink concentrations characterized with
tensile measurements.

Ink

Secant Modulus [kPa]

Max stress [kPa]

Max strain [%]

1%GG+7%Alg

217.56 ± 44.87

102.33 ± 13.77

39.48 ± 4.16

2%GG+6%Alg

216.45 ± 23.56

84.38 ± 13.12

36.43 ± 4.06

3%GG+5%Alg

189.37 ± 27.34

62.33 ± 23.00

30.03 ± 6.98

GG = Gellan gum, Alg = Alginate
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6 In vivo evaluation of bioprinted cartilage
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Abstract
Regenerative medicine applications require development of new biomaterials which can be used as
cell embedding matrices and physical scaffolding. These applications are increasingly patient-specific
and manufacturing methods such as bioprinting are often utilized. Bioprinting, however, has unique
restrictions for the biomaterials applicable in the process. New biomaterial mixes have been
developed for bioinks to be applicable in the printing process and tissue specific development. In this
study, we investigated cartilage-specific bioprinted cell-laden bioink grafts, composed of gellan and
alginate biopolymers, in in vivo experiment series conducted using an immunocompromised mouse
model to assess human auricular chondrocytes function in different bioink compositions. Human
auricular chondrocytes isolated from microtia remnant (HaMCh) or healthy cartilage (HaCh) were
embedded within the different bioink compositions. The bioink+HaMCh grafts were implanted for 8
weeks and bioink+HaCh for 16 weeks in vivo in two separate studies. The in vivo implanted cellladen grafts appeared increasingly cartilage-like and had a clear increase in E-modulus over the study
periods. The ECM deposition in the grafts was histologically analyzed and a clear ECM deposition
was observed only in cell-laden grafts. In the first study up to 8 weeks, the bioink+ HaMCh grafts had
rich peripheral GAG, collagen type I and type II staining that regionally resembled auricular cartilage
while loose elastin matrix was observed. The second study was performed with bioink+HaCh grafts to
compare crosslinking conditions, namely 20mM SrCl2 and 50mM CaCl2, and its effect to chondrocyte
performance. The study demonstrated comparable 16 weeks histological appearance and a significant
increase (p<0.01) of the grafts E-modulus despite the crosslinking condition. As a conclusion, these
experiments illustrated the feasibility to bioprint cell-laden bioink grafts which can develop cartilagespecific ECM characteristics in vivo. More studies need to be conducted to investigate the timescale
and extent of cartilage ECM formation in vivo. These findings could be applied in the development of
TE grafts for specific clinical applications such as the auricle.

6.1 Introduction
Development of TE auricular cartilage grafts could improve the current standard of care in clinical ear
reconstruction. Recent survey concerning the current microtia treatment landscape in the United
States of America conducted in 2013 summarized that over 56% of the interviewed surgeons estimate
TE product to be the standard of care in ear reconstruction within the next 15 years 50. This prospect is
important for the development of novel TE therapies, expected by the majority of the clinicians, for
high acceptance rate of such novel treatments. Several TE ear constructs have been investigated in
vivo in various immunocompromised 124,232,282,387 and immunocompetent animal models 183,238. These
studies have reported use of cell concentrations between 50-100 million cells ml-1 consisting of
chondrocytes from normal healthy auricular cartilage 283 or microtia cartilage remnants 122,277. Several
studies have been conducted to investigate the differences between the chondrocyte sources with
mixed results 126,234,278. Within this study we conducted two separate in vivo experiment series to
investigate cartilage formation within the bioprinted bioink graft with embedded HaMCh or HaCh.
The study with HaMCh compared cell-laden and acellular bioink grafts to determine are the cells
necessary for the graft integrity in vivo. The second study compared the bioink crosslinking
conditions between SrCl2 and CaCl2 cations to determine the optimal crosslinking conditions and
effect of different cations to cartilage development. Several studies have been previously conducted to
compare cations sources for pure alginate and pure gellan gum crosslinking in vitro and clear
differences were found depending on the utilized cations 202,208,209,270. Within these studies some cation
sources were shown to detrimentally affect the cell survival in TE grafts. It has been demonstrated
that the barium is an inhibitor of potassium channels in cell membranes at concentrations over 5mM
230
and other cations such as copper have been found carcinogenic in cell cultures 388. We have earlier
demonstrated how the cation source, concentration and the crosslinking duration can greatly influence
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the achieved mechanical properties of the bioink grafts 210. Based on these studies, the 20mM SrCl2
and 50mM CaCl2 conditions were selected to produce grafts with comparable mechanical properties
thus only the cation source was the difference between the conditions. Cellular functions can be
influenced by the different hydrogel stiffness’s thus similar E-modulus in the comparison groups is
important 389,390. The bioprinted bioink grafts development timeline was identical in both studies
including the biopsy isolation, monolayer cell expansion, bioprinting and three weeks in vitro
preculture period prior the graft implantation. Figure 6.1 summarizes the experimental setup with
images of the bioprinted implants and the implanted grafts after 16 weeks in vivo.

Figure 6.1. A schematic illustration of the cellular bioink graft production timeline used in these
preclinical studies. Blue timeline illustrates the in vitro culture period followed by the green timeline
during in vivo development.

6.2 Materials and methods
Low acyl gellan gum (Kelcogel) was provided by the CP Kelco (Atlanta, US) and high G content
alginate (I-1G) by Kimica (Paine, Chile). D-glucose, ascorbic acid, SrCl2 and CaCl2 were purchased
from Sigma-Aldrich (Buchs, Switzerland). Dulbecco’s modified Eagle’s media (DMEM), phosphate
buffered saline (PBS), fetal bovine serum (FBS), penicillin-streptomycin (PS) and trypsin-EDTA
were purchased from Life Technologies (Zug, Switzerland). Recombinant human TGF-β3 was
purchased from Peprotech (London, UK). All concentrations are given in percentages weight/volume
(% w/v) unless indicated otherwise.
6.2.1 Materials preparation
Bioink preparation: The preparation for all the experiments consisting of biopolymer mixing and
bioink mixing was standardized. Briefly, gellan gum and alginate powders were added to a boiling
flask containing ultra-pure water supplemented with D-glucose (300mM) at 90°C which was gently
agitated for 60 minutes to achieve a biopolymer solution. The biopolymer solution was cooled to
room temperature while manually mixing to prevent gellan gum network formation during the sol-gel
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transition. The cell suspension was mixed in 1:10 ratio with the biopolymer solution in room
temperature to achieve final cell concentration of 6x106 cells/ml in the bioink (305mM). This formed
bioink was manually mixed until a homogeneous paste was obtained and the printing syringes were
loaded.
Cell isolation: The cartilage biopsies from the healthy auricular cartilage and microtia cartilage
remnants were treated similarly with standardized isolation protocols. Briefly, human auricular
chondrocytes were isolated from the acquired auricular cartilage samples obtained after receiving a
patient’s consents and collected according to the Swiss laws governing use of human tissue for
research purposes. Healthy human auricular cartilage was obtained from a 28 year old male patient
after a nasal reconstruction surgery with autologous auricular cartilage. The microtia cartilage
remnant was obtained from a microtia patient whom auricular cartilage remnant was removed prior to
the autologous costal cartilage reconstruction. The 10 years old male patient was diagnosed with
unilateral grade III microtia. In either cases the cartilage biopsy was washed, with saline
supplemented with 50 μg/ml Gentamicin, and manually cleared from the surrounding soft tissues. The
pure cartilage samples where further minced to approximately 1x1x1mm pieces before the cartilage
ECM digestion with collagenase enzyme (0.15%) overnight (14-16 hours) at 34°C under gentle
agitation. The digest was consecutively filtered with cell strainers with 100µm and 70µm sieves to
remove any undigested cartilage pieces. The digestion solution with the suspended cells was
centrifuged two times for 8min in 500rpm and the supernatant was exchanged to DMEM
supplemented with 10% FBS, 50 μg/mL L-ascorbic acid and 1% PS to remove the collagenase. After
the second medium change the cell suspension was plated (7000 cells/cm2) for monolayer culture
with conversional techniques. In the second experiment the culture medium was further supplemented
with 2ng/ml fibroblast growth factor (FGF-2). The FGF-2 supplemented condition in auricular cell
cultures have been shown to improve the in vivo cartilage formation 124,238. Cells were passaged four
times to P4 until and approximately 80 million cells were collected. This represents approximately 80fold increase in the chondrocyte number.
Bioprinting: At P4 the cells were collected and mixed with the biopolymer mix at 1:10 ratio to obtain
cell concentration of 6x106 cells/ml before the bioink was loaded into the bioprinting syringes. The
printing syringes were mounted to the extrusion printer Biofactory® (RegenHu, Switzerland) and the
parameters were set for 410 µm nozzle diameter. Bioink graft squares (9x9x3mm) consisting of three
consecutive layers were bioprinted followed by immediate crosslinking with 50mM CaCl2 or 20mM
SrCl2 at room temperature for 60 minutes. In the first experiment the crosslinking was done in static
conditions while in the second experiment the crosslinking solution was agitated (10-30rpm) to
enhance the cation diffusion. After crosslinking the grafts were transferred to DMEM containing 1%
PS, ascorbic acid (50 μg/ml) and TGF-β3 (10ng/ml) and cultured under normoxic (21% O2) conditions
for three weeks until in vivo implantations.
6.2.2 In vivo study series and conditions
All the experiments were performed under the animal license ZH189/2014 approved by the Kantonal
veterinary offices in Zurich, Switzerland. All surgeries were performed under general inhalation
anesthesia (Isoflurane) with sufficient analgesia (Metacam 2mg/kg) treatment to prevent postoperative pain. Two bioink grafts per animal were implanted dorsally near the midline of the animal at
the level of T20 vertebra where the grafts were subcutaneously implanted superficial to panniculus
carnosus. The wounds were closed with staples which were removed after 7 days from the surgery to
allow sufficient wound closure. Immunocompromised two-month-old female nude mice (NUFoxn1nu, Charles river) were used in both studies to test the response of the human cells.
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Study series over 8 weeks in vivo: Four animals were implanted with bioink+HaMCh grafts
consisting of bioink (3% gellan gum + 2% alginate) crosslinked with SrCl2 20 mM for 60 min in static
conditions and with acellular bioink grafts (3.5% gellan gum + 2.5% alginate) crosslinked with SrCl 2
20 mM for 60 min in static conditions. All the grafts were rectangular (9x9x3mm) consisting of three
consecutive layers. After implantation, a set of identical samples were used to test the preculture
mechanical properties (n=3) to evaluate the grafts mechanical properties before and after in vivo
implantation. All the in vivo grafts were harvested at the 8 week endpoint and immediately analyzed
for appearance and mechanical properties.
Study series over 16 weeks in vivo: Seven animals were implanted with bioink+HaCh grafts
consisting of bioink (3% gellan gum + 2% alginate). This bioink composition was bioprinted into
rectangular grafts (9x9x3mm) and crosslinked with either SrCl2 20 mM or CaCl2 50mM for 60 min in
agitation. These graft crosslinking conditions were designed to yielded similar initial mechanical
properties to prevent any stiffness related response that can affect the cellular responses 162,391,392. The
animals in the cohort were allocated to 8 week (n=3) and 16 week (n=4) endpoints. At the endpoints
the samples were explanted and immediately analyzed for appearance and mechanical properties.
6.2.3 Analysis techniques
During the in vivo housing period 2 animals per study (n=4, grafts) were non-invasively followed
with photoacoustic and ultrasound measurements (PA/US). The PA/US measurement is based on the
initial US measurement at frequencies 30-70Mhz which gives the volumetric and morphological
information at approximately 30µm spatial resolution. Simultaneous non-ionizing laser exposure was
used to expose underlying tissue and to create ultrasound waves in the tissue which are recorded with
the US detector and superimposed with the volumetric data for detailed spatial information about the
blood supply of the tissue. Hemoglobin in its oxygenated and deoxygenated states can be
differentiated due to absorbance differences and a spatial oxygen distribution and concentration can
be detected. At the study endpoints, the animals were euthanized with CO2 and the grafts were
explanted from the hosts and imaged.
Mechanical evaluation in indentation was performed with a texture analyzer (TA.XTplus, Stable
Micro Systems, UK). Indentation was performed in the center of the in vivo grafts (9x9x3mm) until
14% strain with a compression speed of 0.01mm/s using 2mm diameter flat cylindrical indenter.
Indentation E-modulus was analyzed at indentation depth equal to 5% strain with following equation:

𝐸 = 𝐸𝑖 (

𝜋ɑ
2ℎĸ

(1 − 𝑣 2 ))

(5.1)

Where Ei is the slope of the indentation modulus, d (F/πɑ2) / d(w/h), h is the sample height, w
indentation depth and ĸ the theoretical scaling factor. A Poisson’s ratio of 0.249 was used based on
literature values for auricular cartilage 379 and based on the indentor probe and sample area-aspect
ratio the ĸ correction factor was selected for the flat cylindrical probe to be 1.472 380.
Following the mechanical testing the grafts were fixed in 4% formaldehyde, dehydrated in increasing
ethanol gradients, paraffin embedded and cut to 4µm slices with a rotary microtome (Microm HM
325). Histological stainings with hematoxylin & eosin (H&E), alcian blue and elastin stainings were
performed. Immunohistochemical stainings of collagen type I and II were performed using primary
antibody (Abcam, ab34710) and (Rockland, BioConcept, 600-401-104S) respectively. The secondary
antibody IgG-HRP (Abcam, ab6721) was used and the samples were counterstained with
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hematoxylin. Colorimetric stainings were imaged with Panoramic 250 slide scanner (3DHistech) or
Aperio scanner (Leica Biosystems).
Data from the assays are expressed as mean ± standard deviation. Statistical analysis was performed
with OriginPro 8G (OriginLab) where one-way ANOVA with Bonferroni post-hoc testing were used
to determine the significances. The level of significance was always determined to be p<0.05.

6.3 Results
6.3.1 Bioink supports early cartilage formation in vivo
The study with HaMCh compared cell-laden and acellular bioink grafts during the 8 week in vivo
implantation. The in vivo housing period was uneventful and normal habitus and weight gain was
observed in the entire study cohort. The PA/US analysis revealed shape retention and volumetric
stability of the grafts (Supplementary Figure 6.1). Based on this analysis the grafts had no vascular
infiltration within the construct which was further confirmed with histological stainings. Vascular
networks were observed on the grafts surfaces which are important for supporting the metabolic needs
of the chondrocytes within the grafts. The cell-laden bioink grafts became increasingly more opaque
over the implantation duration in comparison to the acellular grafts which remained translucent
(Figure 6.2). The bioink graft dimensions and square shape were similar to the grafts before
implantation.

Figure 6.2. Appearance of the bioink grafts after bioprinting (initial) and after 8 weeks in vivo (postimplantation). Initially translucent bioink grafts became more opaque during the in vivo implantation.
The cellular bioink grafts attained a more cartilage-like opaque appearance in vivo in comparison to
the acellular bioink which remained partly translucent.
The histological evaluations of the grafts indicate the cell-laden bioink grafts had significant ECM
deposition in comparison to the acellular structures (Figure 6.3). The ECM production in the cellladen grafts was mainly observed in the graft peripheries while the cores had significantly less
staining. The alcian blue staining intensity increased between the preculture and 8 weeks in vivo
culture suggesting GAGs deposition within the grafts. Furthermore, the total number of cells
increased over the study period and from the H&E stainings a 2.5-fold increase could be quantified in
the periphery. Stainings of collagen type I and type II increased during the in vivo implantation while
low level of regional increase in the elastin deposition was observed. The cartilage architecture within
the grafts was not as sophisticated as in the native auricular cartilage while some chondron-like cell
aggregates were observed in the peripheries of the cellular grafts that were developing elastic
cartilage-like ECM (Figure 6.4 and Figure 6.5). These stainings illustrate formation of fibrocartilagelike ECM within the grafts with regional elastic cartilage-like ECM. It was hypothesized that the
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insufficient crosslinking or the lack of nutrients diffusion to the graft cores may have caused the
insufficient ECM synthesis. Despite the poor ECM synthesis in the graft cores the constructs were
able to retain bioprinted shape and volume.

Figure 6.3. Bioprinted cellular bioink and acellular grafts were histologically stained to demonstrate
the differences between these conditions. Cellular grafts were demonstrated to contain cartilagespecific matrix in the periphery of the grafts after 8 weeks in vivo while the acellular grafts did not
have any stained matrix. Analyzed from the histological stainings the cell-laden bioink cell density
increased over time while acellular grafts remained acellular in vivo. Microtia cartilage remnant was
stained as a positive control. Scale bar 2mm.
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Figure 6.4. Histological collagen type II comparison of the acellular and cellular bioink grafts. A)
Acellular grafts remained acellular during the 8 week in vivo implantation whereas the B) cellular
bioink had homogeneous cell distribution within the graft peripheries. Host cells were not observed
within the acellular grafts and no collagen type II positive staining was observed C). D) cellular
bioink grafts had significant collagen type II staining in the graft peripheries and cells organization to
chondrons was locally observed. Both graft types accumulated host cell layer on the scaffold surfaces.
Scale bar 200µm.

Figure 6.5. Histological elastin staining comparison of the acellular and cellular bioink grafts. A)
Acellular grafts remained acellular during the 8 week in vivo implantation whereas the B) cellular
bioink had homogeneous cell distribution within the graft peripheries. Cellular bioink grafts
peripheries has chondron-like structures which stained positive with elastin staining at 8 week. Scale
bar 200µm.
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The mechanical properties (E-modulus) of the stiffer acellular grafts decreased by half over the study
time (from 110.1±20.8 kPa to 54.6±8.4 kPa) suggesting polymer network loosening, cation leaching
and possible polymer degradation whereas the cell-laden bioink grafts E-modulus values significantly
increased (p < 0.01) in vivo (Figure 6.6). In fact, the E-modulus of the cellular grafts doubled (from
56.3±6.8 kPa to 113.7±11.3 kPa) during the 8 week in vivo period which could be correlated with the
ECM deposition within the bioink grafts.

Figure 6.6. Mechanical analysis of the bioprinted grafts after 8 weeks in vivo. The bioprinted cellular
grafts were demonstrated to significantly increase the E-modulus over time while the acellular grafts
lost significant portion of their E-modulus. The box plots represent 75% of the measurements and the
whiskers represent the minimum and maximum values. Significances are demonstrated as * p < 0.05,
** p < 0.01.
6.3.2 Stable in vivo cartilage was observed in the bioink graft over 16 weeks
To investigate prolonged in vivo cartilage development within the bioink grafts a second in vivo study
was conducted. This study compared strontium and calcium cation sources which were selected to
achieve similar mechanical properties after crosslinking. Based on the previous in vitro experiments
the 20mM SrCl2 and the 50mM CaCl2 crosslinking conditions yielded comparable mechanical
properties 210. Despite the utilized cation source the cell-laden bioink grafts became increasingly more
opaque with prolonged implantation duration shown in Figure 6.7. Images at the 16 week endpoint
illustrate how the rectangular dimensions were preserved. The PA/US analysis during the study period
revealed shape retention and volumetric stability of the grafts without vascular infiltration within the
grafts (Supplementary Figure 6.2). The PA/US analysis revealed high vascularization on the grafts
surfaces that was also observed after the study endpoints and in histological stainings.
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Figure 6.7. Appearance of the bioprinted grafts after bioprinting (initial), 8 weeks and 16 weeks in
vivo. Bioink+HaCh grafts developed cartilage-like appearance and clear surface vasculature was
observed after in vivo implantation. Increments in the scale represent 1mm.
Promising opaque appearance of the grafts suggested some ECM deposition within the bioink grafts.
At 8 weeks the stained ECM, produced by the cells, was cartilage-specific where the matrix was rich
in GAGs and in collagen type I and II (Figure 6.8). No uniform elastin deposition was observed
whereas local staining in chondron-like structures was strong. Some inhomogeneities remained in the
grafts cores. At 16 weeks a significant improvement in elastin and collagen type II deposition was
observed with decreasing type I collagen staining (Figure 6.9). The chondrons within the grafts were
hypothesized to form larger connected areas which increased the total area of elastic cartilage-like
matrix and decreased the collagen type I presence. The histological stainings at 8 and 16 weeks with
both cation sources were indistinguishable from each other’s and at 16 weeks the grafts were
regionally similar to the native auricular cartilage samples (Figure 6.10). The cartilage structures in
the bioink grafts were cartilage-like at the chondron sites. Furthermore, the cell concentration
increased over time suggesting the bioink suitability for supporting both cell proliferation and ECM
production.
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Figure 6.8. Bioprinted grafts were histologically evaluated to determine the differences between the
crosslinking conditions. No clear differences were observed between the grafts crosslinked with
different cations. Both graft types were demonstrated to have cartilage-specific ECM at 16 weeks in
vivo. The collagen type I staining was decreasing over time whereas collagen type II, elastin and
GAGs stainings were improving over time. Some irregularities were observed in the core of the grafts.
Native auricular cartilage (microtia patient) was surrounded by fibrous tissue illustrating cartilagespecific stainings. Scale bars represent 2mm.
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Figure 6.9. Collagen type I stainings of the bioink graft surfaces. A) CaCl2 crosslinked grafts at 8
week and B) at 16 week histological evaluation. C) SrCl2 crosslinked grafts at 8 week and D) at 16
week. Peripheral collagen type I structure were observed at 16 weeks whereas at 8 weeks a
homogenous collagen type I staining was observed throughout the scaffolds. Scale bar 200µm.
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Figure 6.10. Bioprinted grafts and native auricular cartilage samples were stained for elastin matrix.
A) CaCl2 crosslinked grafts at 16 week and B) SrCl2 crosslinked grafts at 16 week showing elastin
positive regions. C) Image from the auricular cartilage (microtia patient) surface clearly illustrates the
difference in the cartilage and fibrous tissue stainings. D) Auricular cartilage (microtia patient) has
homogeneous cell distribution and uniform elastin staining. Regionally TE grafts were comparable to
the native auricular cartilage and elastin fibers were clearly observed (black arrows). Scale bar 100
µm.
The mechanical properties of the bioink grafts were tested in indentation over the study period (Figure
6.11). During the three weeks in vitro preculture a clear decrease in E-modulus of the both graft types
was observed. Leaching of the crosslinking cations and swelling of the hydrogel network are probable
causes for this decrease. During the initial 8 week in vivo period only a slight increase in E-modulus
was observed, related to the deposition of cartilage ECM within the grafts. Interestingly between the 8
and 16 week endpoints the E-modulus more than tripled (SrCl2 from 129.1±51.5 kPa to 587.8±191.6
kPa; CaCl2 from 189.6±47.4 kPa to 637.1±167.5 kPa). The native auricular cartilage E-modulus
(1.27±0.03 MPa) was significantly higher (p< 0.01) than the obtained properties after the 16 weeks in
vivo implantation. These results implicate that the cells were able to deposit substantial amount of
ECM in the grafts that can be related to the increase in mechanical properties.

116

Figure 6.11. Mechanical analysis of the bioprinted grafts in vivo development after crosslinking with
strontium or calcium chloride. Despite the selected crosslinking cations, the bioprinted cellular bioink
grafts demonstrated significant increase in E-modulus over time. The box plots represent 75% of the
measurements and the whiskers represent the minimum and maximum values. Significances are
demonstrated as ** p < 0.01.
Following the promising proof-of-concept preclinical studies, the bioprinting of clinically relevant
structures were pursued. Bioprinting of full-size auricular grafts was conducted based on the
autologous costal cartilage template to demonstrate improved shape over the costal cartilage template.
The bioprinted auricular grafts were crosslinked for 60 minutes in 20mM SrCl 2 to achieve sufficient
mechanical properties for an ex vivo ear grafting experiments. The ex vivo full-thickness nude rat
skin flap was positioned to cover the whole ear template and suction was applied to achieve intimate
skin and graft contact especially in the ear contours. In clinical ear reconstruction the skin should
adhere to the cartilage template or a subdermal hematoma could appear and prolong the cartilage
development time and in the worst case it could resorb the bioink template 53. For this reason, the
bioprinted ear grafts were tested for the graft stability and sufficient skin folding. The bioprinted ear
templates illustrated similar appearance to the clinical first stage ear template assembled from the
harvested costal cartilage (Figure 6.12).
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Figure 6.12. Bioprinted ear grafts were compared ex vivo to the current standard of care treatment
with autologous costal cartilage templates. On the left the bioprinted ear graft and an ex vivo rat skin
graft used to mimic the mastoid skin envelope under vacuum. On the right an autologous costal
cartilage template used in a clinical ear reconstruction in the first stage operation.

6.4 Discussions
The acellular and the cell-laden bioink structures were well tolerated in the host animals and
substantial cartilage-specific ECM deposition was observed in cell-laden bioink grafts in both studies
over the period of 8 and 16 weeks. These results suggest that the chondrocytes are a necessary
component in the bioink grafts for developing biomechanical properties. This positive development of
the grafts was dictated by the embedded chondrocytes ECM production capabilities. The acellular
bioink grafts had decreasing mechanical properties in vivo suggesting slow network loosening via ion
release or polymer degradation. More studies are required to investigate the bioink degradation in
vivo to estimate the biopolymer degradation kinetics and type over time. As an alternative, an
acellular ink with high polymer content and high crosslinking density could be developed to enhance
the durability of the acellular grafts in vivo. These grafts could be further post-seeded with
chondrocytes to improve the biological properties. Akkineni et al. conducted such study with high
concentration biopolymer ink based on alginate and gellan gum (16.7% alginate +3% gellan gum)
mixture to investigate the osteogenic differentiation capabilities with human derived MSCs 393. This
study utilized post-printing cell seeding due to the paste-like high viscosity properties of the bioink
that required over 500kPa extrusion pressure that would be detrimental for the cells. The study
demonstrated high printing resolution with the high viscosity bioink and the seeded MSCs were
shown to differentiate towards the osteogenic phenotype on the grafts. However, the adherence of the
MSCs to the bioink scaffold surfaces was poor and a cell adhesive coating was proposed to enhance
the future feasibility 393. In the presented in vivo study series, the chondrocytes were embedded within
the bioink matrix which entraps the cells without additive adhesion cues. This allows the cells to
migrate and proliferate freely within the graft. This cell embedding approach in low concentration
bioink appear to be the most applied bioprinting technique to produce TE cartilage grafts with
homogenous properties.
In the seconds in vivo study, a comparison between the bioink grafts crosslinked in the presence of
strontium or calcium cations was performed. Both of these crosslinking cations are naturally present
in the bone and cartilage structures and are excreted primarily in urine through renal clearance 394,
thus high biocompatibility was expected. The histological or mechanical analyses of the in vivo grafts
did not indicate clear differences between the crosslinking groups. This is an interesting finding to
illustrate that the affinity of calcium or strontium cations did not affect the ECM production of
chondrocytes. Svensson et al. previously suggested that in fact SrCl 2 (3.2mM) inhibited proteoglycan
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and collagen type II synthesis of isolated rat chondrocytes in vitro, while Henrotin et al. suggested no
changes in proteoglycan synthesis of human chondrocytes with supplemented SrCl2 (2mM) 361,395.
This in vivo study concluded that no significant differences exist between the selected cations types in
terms of histology and E-modulus development over the 16 week study period. Future in vivo studies
should be conducted to investigate the optimal crosslinking conditions including cation concentration
and crosslinking time to fully understand the underlying mechanisms related to cation affinity to the
biopolymer network and its relation to the in vivo neocartilage formation.
A comparison between the two studies and the used donor cells (HaMCh and HaCh) is inconclusive
as several parameters including expansion medium and crosslinking condition were different in these
proof-of-concept studies. However, some development trends and observations can be summarized
and compared. Both healthy auricular and microtia remnant cartilage were sufficient sources for
chondrocyte isolation and each of these sources have been previously identified in several studies
122,279,291
. In both cartilage tissue samples the perichondrium was removed as the perichondrium has
been shown to inhibit chondrocyte proliferation in vitro 396. The isolated chondrocytes were expanded
in monolayer cultures where HaCh cultures had additional 2ng/ml FGF-2 supplementation. This FGF2 supplemented chondrocyte expansion has been speculated to limit the chondrocytes
dedifferentiation in cultures 124 thus incomparable cell populations were embedded into the bioink
grafts. Despite the differences in the studies, the trends in cartilage ECM production time scale and
extent were similar. Histological appearance of the cellular grafts improved during the in vivo
implantation periods and this progression was continued up to 16 weeks. Interestingly the bioink
grafts core structures appeared more homogeneous in the second study at 8 weeks which might relate
to the changes in the crosslinking process (dynamic crosslinking) that could improve the cation
diffusion. The histological findings were consistent with the mechanical properties (E-modulus)
development and increased properties were observed over the study duration in vivo. These findings
suggest that both of the cell sources might be used in clinical ear reconstruction, which is similar to
the findings published in prior articles 234,278,279. A study comparing acellular grafts, bioink+HaMCh
and bioink+HaCh with same conditions should be conducted in vivo to conclude comparative results
of the cartilage development.

6.5 Conclusions
These studies were conducted to characterize the in vivo development and biocompatibility of a
cartilage specific bioink. These in vivo study series provide a preclinical proof-of-concept data to
demonstrate in vivo performance of human auricular chondrocytes in the bioprinted gellan gum and
alginate bioink grafts. All the cellular bioink grafts were bioprinted via direct extrusion printing
technique thus suggesting suitability for reproducible graft manufacturing. In the second in vivo
study, the strontium and calcium cations were demonstrated to be suitable for alginate-gellan gum
hydrogels network formation and retention during in vivo implantation. These proof-of-concept
studies implicated feasibility of the neocartilage formation in the bioink grafts with human auricular
chondrocytes. Larger animal models with prolonged implantation duration should be used to
investigate the bioprinted bioink grafts applicability to clinical cartilage reconstructions.
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6.7 Supplementary data

Supplementary Figure 6.1 PA/US was conducted during the 8 week study to evaluate the
development of the vasculature and 3D volume of the grafts. Both the acellular and cellular graft
conditions had some inhomogeneities within the graft cores; however, the bioink with embedded
HaMCh illustrated changes in the graft cores. Total hemoglobin and oxygen saturation analysis
showed no vascular infiltration over the study period.

120

Supplementary Figure 6.2 PA/US analysis conducted during the 16weeks study of the cellular
bioink grafts crosslinked with two different cations. The ultrasound analysis of the grafts did not
illustrate changes in the cellular grafts and the graft cores where more homogeneous. No vascular
infiltration was observed in either graft types whereas vasculature was observed on the surfaces of the
graft.

121

7 Guidelines for standardization of bioprinting: a systematic study of
process parameters and their effect on bioprinted structures
Matti Kesti, Philipp Fisch, Marco Pensalfini, Edoardo Mazza & Marcy Zenobi-Wong

This chapter has been published in the journal BioNanoMaterials; Guidelines for standardization of
bioprinting: a systematic study of process parameters and their effect on bioprinted structures.
BioNanoMaterials 17, 193–204 (2016).
M. Kesti designed the experiments. M. Kesti performed the majority of the bioprinting experiments
and the analysis of the data. P. Fisch conducted his student project under the supervision of M. Kesti
and conducted the majority of the mechanical tensile tests in the article. Dr. E. Mazza and M.
Pensalfini provided the study with state-of-the-art tensile testing equipment and expertise in
biomechanics which clarified the study design and results. M. Kesti and Prof. M. Zenobi-Wong
contributed to the writing and all the authors contributed in the discussions of the manuscript.

122

Abstract
Biofabrication techniques including three-dimensional bioprinting could be used one day to fabricate
living, patient-specific tissues and organs for use in regenerative medicine. Compared to traditional
casting and molding methods, bioprinted structures can be much more complex, containing for
example multiple materials and cell types in controlled spatial arrangement, engineered porosity,
reinforcement structures and gradients in mechanical properties. With this complexity and increased
function, however, comes the necessity to develop guidelines to standardize the bioprinting process,
so printed grafts can safely enter the clinics. The bioink material must firstly fulfill requirements for
biocompatibility and flow. Secondly, it is important to understand how process parameters affect the
final mechanical properties of the printed graft. Using a gellan-alginate physically crosslinked bioink
as an example, we show shear thinning and shear recovery properties which allow good printing
resolution. Printed tensile specimens were used to systematically assess effect of line spacing,
printing direction and crosslinking conditions. This standardized testing allowed direct comparison
between this bioink and three commercially-available products. Bioprinting is a promising, yet
complex fabrication method whose outcome is sensitive to a range of process parameters. This study
provides the foundation for highly needed best practice guidelines for reproducible and safe
bioprinted grafts.

7.1 Introduction
Bioprinting is a fabrication technique which has been developing over the past 20 years, however,
there are no commercial bioprinted products in clinical use. In order for clinical translation to occur,
more process-related knowledge is needed to standardize the bioprinting process so that it is
reproducible, customized and safe. In contrast to conventional manufacturing techniques, bioprinted
constructs are highly dependent on both structural and process parameters as well as material
properties. Additionally, bioprinted grafts contain living cells which can secrete matrix proteins and
remodel the structure, so that the properties are also varying with time. There are no current standards
for bioprinting processes or bioprinted materials, the so called ‘bioinks’. Currently additive
manufacturing terminology is being standardized (ISO/DIS 17296-1), yet such process standards for
bioprinted polymers and hydrogels have not yet been introduced. Best practices and production
guidelines for bioprinting technologies are therefore urgently needed 272. The guidelines include
careful rheological characterization of the bioinks, mechanical testing of printed grafts and viability
assays.
Bioink development is often considered to be the most challenging part of three-dimensional (3D)
bioprinting due to the need to simultaneously optimize for high resolution printing, mechanical
properties and biocompatibility 142. Several articles have related the decrease in cell viability after
printing to polymer content 334 or printing pressure 220,249,250. However, increasing polymer content and
viscosity have been reported to improve printing resolution 303,397 and mechanical properties 220. The
understanding of the rheological properties of bioinks including shear thinning, yield stress, viscosity
and shear recovery are important in evaluating the printing parameters and material related
mechanical properties. Rheological analysis of shear response and shear recovery should be
performed to predict the printing pressure and shape retention respectively (Figure 7.1A). The shear
response can be divided into two categories, namely shear thinning and shear thickening, which
illustrates the bioink’s viscosity in shear, thus allowing the printing pressure to be predicted.
Mechanical characterization of the printed structures is important to evaluate how stable the printed
structures will be in the intended implantation site. Furthermore, the importance of a correct match of
the deformation behavior of the implant material and the underlying tissue has recently been shown
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. These properties are a function of the material itself, as well as bioprinting process parameters
(Figure 7.1B). Printed tensile specimens have been used to investigate the interaction of lines and
layers 176,271,365,371,378,381,399–401, however, a systematic investigation of how process parameters
influence these properties has not been conducted. Terminology to describe the tensile measurements
include two crucial aspects. First, the displacement to calculate strain can be reported in terms of
global or local (true) displacement (Figure 7.1C). The latter is the preferred value and reflects
deformation of the gauge length of the specimen, where global displacement is more susceptible to
artifacts (e.g. slippage) and/or material deformation inhomogeneities. Secondly, it is important to
specify whether the stress is reported as 1st Piola-Kirchhoff stress (PK-stress = force divided by initial
cross sectional area) or Cauchy stress (C-stress = force divided by current cross sectional area) (Figure
7.1D). The second definition of stress becomes relevant when deformations in the gauge become
large, leading to a significant difference between initial (reference) and deforming (deformation) cross
sectional area; e.g. in the case of hydrogels (Supplementary Figure 7.1). C-stress however requires a
visual acquisition of the specimen shape during the measurement, something which is not always
available in tensile testing setups.
Currently the printing properties of bioinks are mainly characterized by rheology which allows the
effect of sterilization, storage or batch production to be quantified. Additional mechanical tensile
tests are required to determine how printing process parameters such as line spacing and line
orientation affect structural properties of the printed constructs. Using a physically crosslinkable
gellan-alginate bioink called Vivoflow, we performed a parametric study to identify and quantify the
parameters with the greatest effect on mechanical properties of bioprinted structures. Furthermore, we
demonstrated how these complementary material (rheology) and process related (tensile)
measurements can be used to evaluate and compare bioinks. Best practice guidelines are presented so
that future bioink developers can evaluate their product according to common standards.
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Figure 7.1. A schematic illustration of the important rheological and mechanical characteristics of
bioprinted structures. Rheological measurements of shear rate vs viscosity show shear thinning which
is important for printability and required printing pressure while the measurement of shear recovery
(cessation) is important to evaluate shape retention post-printing A). Bioprinting process parameters
affecting the mechanical properties of the printed structures B) and how typical hydrogel dumbbell
specimens deform in tension C) are further illustrated. Tensile properties should be calculated based
on a strain derived either using global displacement (based on the distance between the grips) or local
(true) displacement (measured from the video tracking of the displacement in the gauge length).
Furthermore, the stress can be given as 1st Piola-Kirchhoff stress (calculated using the initial cross
sectional area) or as Cauchy stress (using true cross sectional area) D). The measurements and their
125

calculation should always be described using these terms so that studies can be compared and
reproduced.

7.2 Results
7.2.1 Printing parameters are important
A parametric study was performed with the Vivoflow bioink to investigate the most important
material and bioprinting process parameters to obtain reproducible bioprinting. As a first step, printing
process parameters such as pressure, feedrate and printing height were tested to standardize the line
thickness to 982 um ± 92 um (Supplementary Figure 7.2). After determination of the average line
thickness, the effective line-line adhesion was investigated by printing a series of bioink sheets with
different line spacing (Figure 7.2). At all line spacings between 400-700 microns, there was a
continuous overlap of the printed lines. Based on these observations, the effect of line spacing in this
range on tensile properties was investigated by comparing printed and cast (bulk) dumbbell samples
of the same bioink. The line orientation was perpendicular to the tensile direction (transverse, 90°) to
maximize the influence of line-line adhesion. As seen from the variance in ultimate stress, when a
wider line spacing (600-700µm) was used, some specimen broke before the sample could be mounted
in the testing device. However, for the samples that could be tested, some of them were in fact as stiff
as the samples printed with the smaller line spacing (400-500µm). Similar behavior was observed for
ultimate strain where nearly 50% strain was achieved with all line spacing conditions, when the test
could be carried out. As illustrated in Figure 7.2 the most reproducible printing quality was achieved
with the line spacing of 500 µm, thus all the following experiments were conducted with the dumbbell
specimen printed with this line spacing.

Figure 7.2. Printed tensile specimen with increasing line spacing were compared to cast samples
(bulk) to determine their mechanical properties. A) Ultimate stress (Cauchy), B) ultimate strain (local)
and C) secant modulus (<10%) illustrate the probability of structural defects due to the printing
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process increased with increasing line spacing. Each point represents a tensile specimen at failure.
These values are also represented by boxplots where 50% of the values are in the box, the middle line
represents the mean and the tails represent the highest and the lowest values. The microscopy images
for each line spacing shows the change in surface topography D). Scale bar 500µm.
Bioprinting process allows fabrication of complex shapes which can ultimately be used in
regenerative medicine as organ templates and other complex tissue replacement grafts. These complex
structures will inevitably be exposed to forces acting in arbitrary directions, thus the printing direction
should not in general affect the structural properties. A parametric investigation of printing direction
with respect to the direction of tensile load was performed. Dumbbell specimens were printed parallel
(0°), transverse (90°) and diagonal (45°) to the direction of tensile loading. In Figure 7.3A no
significant change in the ultimate stress (p>0.1), ultimate strain (p>0.1) or secant modulus (p>0.1)
was observed when the printing direction was altered, thus illustrating that the printing direction is not
a significant factor in withstanding the external forces acting on the printed structures if the line
spacing is optimized.

Figure 7.3. Tensile measurements of specimens with varying printing direction A) and comparison of
cellular and acellular specimens B). The dumbbell specimens were printed in longitudinal (0°),
transverse (90°) or diagonal (45°) orientations with respect to the tensile direction. No significant
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differences were observed in ultimate stress (Cauchy), ultimate strain (local) or secant modulus
(<10%) as a function of the printing direction. Furthermore, there was no significant differences in
ultimate stress and strain when tensile properties of cell laden and acellular specimens were measured
(6x106 cells/ml, ~1% v/v) while a significant difference in secant modulus was observed. The shaded
regions of the stress-strain curves represent standard deviations (n=5).
Bioinks are often tested for mechanical properties without cells, although final applications include
cells. Figure 7.3B however confirms that no significant difference in the ultimate stress (p >0.1) and
ultimate strain (p >0.1) were found through addition of 6x106 cells/ml (equivalent to ~1% (v/v)
volume fraction of cells). However, the secant modulus was significantly higher (p <0.005) with cells,
which might be explained by interaction of extracellular cations with the gellan junction zones and
alginate eggbox lattice.
7.2.2 Commercial bioink comparison and standard testing
Direct comparison of bioink properties is important in order to be able to select specific inks for
specific applications. A standardized testing protocol consisting of rheological and mechanical
assessments was used to compare three commercially available bioinks to Vivoflow, which was
physically crosslinked with cations for one and 24 hours 381. The commercial bioinks are referred to
based on their main composition as Gel-MA (10% gelatin methacrylate 198,214,220 photo-crosslinked
with 0.05% Ircacure I2959, BioGel from BioBots), PEG-DA (polyethyleneglycol-diacrylate photocrosslinked with photoinitiator, BioInk from regenHu AG 71, and NC-Alg (1.36% nanocellulose and
0.5% alginate crosslinked with cationic solution, Cellink from Cellink) 266. The rheological tests
included shear behavior with yield point measurements (Figure 7.4A) and shear recovery analysis by
two shear cycles (Figure 7.4B). In all bioink compositions a clear shear thinning behavior was
observed whereas a yield point was only observed in Vivoflow (31Pa ± 2.4Pa), Gel-MA (65Pa ±14
Pa) and NC-Alg (11Pa ± 0.7Pa). PEG-DA bioink did not have a yield point and is the only ink not
designed to have shape forming and viscous fluid like properties in printing. The shear recovery
behavior, i.e. bioink’s ability to recover structural stability (stop flow and to withstand consecutive
line printing), was high in all the bioink compositions (> 79%). Briefly, Vivoflow and PEG-DA
recovered fully (> 99%) after shear whereas storage modulus recovery up to 79.3% in NC-Alg and
84.3% in Gel-MA was observed. Furthermore, the shape retention capability and stiffness of the
Vivoflow, Gel-MA and NC-Alg were sufficient for consecutive layer printing without intermediate
crosslinking whereas the PEG-DA required crosslinking layer-by-layer.
Mechanical properties of the bulk-like printed structures with the line spacing of 400 microns
(Supplementary Figure 7.3) were characterized in order to evaluate structural integrity. Figure 7.4F
illustrates the secant modulus (<10%) of all the bioinks which was confirmed to be within the elastic
deformation zone. Vivoflow 1h had a significantly higher modulus compared to all the commercial
bioinks (p<0.01) and furthermore Vivoflow 24h had a significantly higher modulus (p< 0.05)
compared to other bioink compositions. The secant modulus of the commercial bioinks were not
significantly different from each other (p>0.05). Ultimate stress was the highest in the Vivoflow 24h
(183kPa ± 36kPa, p<0.001) whereas the other conditions were not statistically significantly different
(Vivoflow 1h 39kPa ± 8.9kPa, Gel-MA 22kPa ± 20kPa, PEG-DA 18kPa ± 7kPa and NC-Alg 1.4kPa
± 0.2kPa). The ultimate strain value of Vivoflow 24h was similar to the covalently crosslinked bioinks
(PEG-DA, Gel-MA) (p>0.05) whereas the NC-Alg had a significantly lower ultimate strain value
compared to Vivoflow 24h (p<0.005), Gel-MA (p<0.05) and PEG-DA (p<0.05). Summary of the
secant moduli, ultimate stress and ultimate strain values for each bioink can be found in
Supplementary Table 7.1.
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Figure 7.4. Comparison of rheological properties (A-B) and mechanical testing (C-G) of three
commercial bioinks and Vivoflow bioink. Shear thinning behavior was observed in all bioink
compositions A) and shear recovery curves for all bioinks suggested high levels of recovery (> 79%)
B). Printed tensile specimen C) were mechanically tested for ultimate stress (Cauchy) D), ultimate
strain (local) E) and secant modulus (< 10%) F). The average stress-strain curves for each bioink G)
are illustrated where the shaded regions represent standard deviation. Error bars (D-F) represent
standard deviation. Each condition was tested with a minimum of n=3 in rheology and n=4 in tensile
testing.
7.2.3 Crosslinking affect to mechanical properties
The Vivoflow bioink can be tuned to match the desired tissue properties, thus the compatibility with
several different cell types can be enhanced. Tensile tests were performed after crosslinking with
20mM SrCl2 for 0.5, 1, 3, 6, 12, and 24 hours to investigate the crosslinking kinetics and effect on
mechanical properties. The ultimate stress increased from 24kPa ± 3.2kPa up to 140kPa ± 29kPa with
20mM SrCl2 during 24 hours of crosslinking whereas ultimate strain increased from 30% ± 1.2% to
58% ± 3.7% in the same period. Furthermore, the tensile properties were evaluated after crosslinking
with 20mM, 50mM and 100mM strontium or calcium chloride. When the cation concentration was
increased from 20mM to 100mM, the ultimate strain was not significantly different illustrating
preservation of the construct elasticity whereas the ultimate stress increased from 121kPa ± 39kPa to
197kPa ± 51kPa for SrCl2 and from 106kPa ± 13kPa to 228kPa ± 19 kPa for CaCl2. Similarly the
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secant modulus increased significantly when cation concentration was increased. Similar results for
pure gellan gum gels 341 and pure alginate gels 209 have been previously reported.

Figure 7.5. Mechanical properties of the Vivoflow printed grafts are tunable by crosslinking time A)
and concentration and cation source B). The mechanical properties from lowest to highest were
achieved between the crosslinking conditions 20mM SrCl2, 0.5h and 100mM SrCl2, 24h. The
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mechanical properties can be tuned after the bioprinting process which allows more cell specific
approaches. The shaded regions in the stress-strain curve represent standard deviation. Each condition
was tested with five samples (n=5). Ultimate stress (Cauchy), ultimate strain (local) and secant
modulus (<10%) are represented.
Vivoflow bioink was designed for cartilage bioprinting 381 and primary bovine chondrocytes were
mixed into the ink prior to printing. The cell laden bioprinted structures were monitored over 21 days
for the changes in cell viability and amount of DNA. High cell viability (>93%) was observed over
the whole 14 day period in vitro culture which is the minimum recommended time to observe
viability in bioinks. Furthermore, double stranded DNA was quantified over 21 days to assess cell
proliferation in the bioink. The amount of DNA doubled over 21 day culture in vitro suggesting that
the bioink and bioprinting process were cell compatible.

Figure 7.6. Biocompatibility assays performed for Vivoflow printed scaffolds. Viability of the
embedded cells A) and DNA quantification as a measure of proliferation B). The error bars represent
the standard deviation and each condition was tested with n=8 and n=6, respectively.

7.3 Discussion
Bioprinting allows precise deposition of cell-laden inks in a confined 3D space. The high precision
manufacturing process is prone to bioink- and process-related effects which can lead to variable
mechanical properties and poor reproducibility. This paper evaluates and quantifies the mechanical
properties of bioprinted structures compared to non-printed cast structures to determine the optimal
printing process parameters. A systematic study was performed to investigate and to quantify the most
important bioprinting process parameters in order to provide accurate process knowledge and best
practices for reproducible bioprinting. Furthermore, this study provides guidelines for standardized
bioink testing so that future bioinks can be compared to current ones (Table 7.1).
The results suggest that the most important parameters for the optimized and reproducible bioprinting
processes with pneumatic printing systems are constant line thickness and line spacing. In fact, during
pneumatically driven extrusion, slight changes in the bioink viscosity introduce flow inhomogeneities,
which cause inconsistent line dimensions and line overlap and therefore decreased reproducibility.
These local viscosity changes can be present due to bioink additives such as polymers, cells, growth
factors, particles and/or entrapped air (Supplementary Figure 7.4). Polymer chain entanglements and
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molecular interactions will introduce local viscosity changes that are more frequently present in high
polymer concentrations and in more complex compositions. For this reason, a line overlap (%) should
be introduced to the bioinks to guarantee high reproducibility of the mechanical properties. This line
overlap is bioink dependent: for Vivoflow ink, a line overlap of >48% produced constant and
reproducible structural properties. Furthermore, the ultimate stress and ultimate strain of the cast and
the printed specimens with this line overlap percentage (>48%, 500µm line spacing) were not
statistically different. These results suggest that with an optimized bioprinting process and line
overlap, it is possible to produce reproducible structures with comparable mechanical properties to
cast structures. To minimize the line overlap the pneumatically driven extrusion systems could be
replaced with the piston driven (positive displacement) systems to gain a full control over the
dispensing volume over time despite the presence of minor irregularities and local viscosity changes.
Production of complex tissue constructs and organ templates in the bioprinting process are rarely
assessed for their mechanical integrity. Complex anatomic structures cannot yet be printed with
controlled mechanical anisotropy, thus the printing direction should not introduce differences in
mechanical properties. A recent study by Compton et al. 399 described how internal fiberreinforcement increased the mechanical properties in epoxy based materials and significant
differences were reported between the transverse and longitudinal samples in tension. These
differences were explained by the high aspect ratio fibers capability to bind to the polymer matrix
with high pullout stress and up to nine times Young’s modulus was achieved compared to the casted
polymer resin without fibers. Müller et al. investigated inkjet printing process parameters with photocurable acrylic based rigid (VeroWhitePlus) and rubber-like (TangoBlackPlus) materials in
alternating layers. The transverse (90°) and longitudinal (0°) printing directions were found
significantly different in ultimate stress and strain values with no differences in the Young’s modulus
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. Figure 7.3 illustrates the hydrogel based bioink comparison in different printing directions with an
optimized printing process. These experiments did not show significant differences between
longitudinal, diagonal and transverse testing directions for secant modulus, ultimate stress or ultimate
strain, thus illustrating that the printing direction was not a significant factor. However, if the line
spacing is increased beyond the recommended line overlap threshold, differences between the printing
directions could become significant due an increased probability of discontinuous line adhesion.
Translation of bioprinting technologies to industrial and clinical products has been limited by several
drawbacks such as poor reproducibility of the printing process and scarcity of commercial bioinks.
Furthermore, the lack of standardization limits the application driven product design needed for
clinical products. A standardized test protocol consisting of rheological and mechanical
characterization was introduced for direct comparison of bioinks. All tested bioinks had shear
thinning properties, which is essential for cell survival during the extrusion process, and high shear
recovery behavior (>79%). This illustrates the material’s capacity to preserve the extrusion resolution
and support layers before further crosslinking. The limited shear recovery of the Gel-MA and NC-Alg
bioinks can be explained by the structural changes in the polymer components during the high shear
which can result in weaker structures post-printing; however, both bioinks had sufficient recovery for
consecutive layer printing without intermediate crosslinking similar to Vivoflow, whereas the PEGDA bioink required layer-by-layer crosslinking. Mechanical comparison of current commercial
bioinks revealed similarities in ultimate stress and secant modulus, while the covalently crosslinked
bioinks outperformed the physically crosslinked NC-Alg in ultimate strain. Physically crosslinked
Vivoflow had the highest secant modulus of all the bioinks and the overall highest ultimate stress was
achieved with Vivoflow 24 hr. Furthermore, the ultimate strain of Vivoflow 24h was similar to the
covalently crosslinked bioinks illustrating the strong physical crosslinking.
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The Vivoflow bioink was further characterized in detail for its crosslinking-dependent mechanical
(Figure 7.5) as well as biological properties (Figure 7.6). Mechanical properties were found to be
highly dependent on the crosslinking conditions such as crosslinking time, concentration and cation
source. Vivoflow crosslinking was found to be time dependent, driven by the osmosis and the
diffusion properties of the increasingly crosslinked matrix. The highest recorded secant modulus
(283kPa ± 16kPa) and highest ultimate stress (197kPa ± 51kPa) were achieved with the 100mM SrCl 2
crosslinking in 16 hours. Intermediate crosslinking properties were recorded with one hour
crosslinking which was also tested for the biocompatibility with embedded chondrocytes (6x106
cells/ml) for tissue engineering applications. The bioink volume fraction of the cells was
approximately 1% and had no significant differences in ultimate stress or ultimate strain values
although a significant difference in secant modulus was observed in cellular specimen, suggesting the
cells’ ability to influence cation-polymer interactions, thus stiffening the bioink. Neither the printing
process nor the crosslinking compromised cell viability over the 14 days observation period; in fact,
during 21 days the amount of DNA doubled in the cellular constructs illustrating good
biocompatibility.
Here we systematically investigated the bioprinting process parameters to determine the optimal
conditions for biocompatible printing. The influence of parameters on structural integrity was
systematically evaluated and quantified for best practices (Table 7.1). This process-related knowledge
and its influence on mechanical properties are essential for modelling, design and production of
fabricated biological structures. Since most of the effects are related to fundamental process
parameters, the results are applicable to other bioprinting setups which use extrusion (pneumatic or
displacement), microvalve-mediated and laser-based bioprinters. This paper aims to establish
common standards for bioprinting process and protocols for bioink characterization which can benefit
the biofabrication community.
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Table 7.1: Best Practices and Guidelines for Bioprinting

Guidelines for optimized bioprinting
Method

Action

Rheology

Characterize ink by measuring shear thinning, yield point and
shear recovery
Evaluate effect of sterilization and storage on rheology

Printing process
parameters

Tensile tests

Biocompatibility

Importance
(1-5)
5
5

Optimize the printing line dimensions by feedrate, pressure,
nozzle dimension and printing height
Determine visually the line spacing until overlap occurs
Investigate the percentage of line overlap for reproducible
mechanical properties (where cast and printed specimens have
analogous properties)

5

Perform tensile testing according to standardized protocols (refer
to ISO & ASTM standards)
Report secant modulus at 10% strain (if linear approximation is
valid)
Report which terms and calculation (global strain or local strain
and C-stress or PK-stress) are used
Evaluate effect of sterilization and storage on mechanical
properties

5

Perform viability tests for a minimum of 2 weeks and
proliferation and protein synthesis assays
Assure that the printing process does not adversely affect
cellular function or phenotype

5

2
5

3
5
3

4

7.4 Materials and Methods
Gellan (Kelcogel) was purchased from CP Kelco in both high and low acetylated forms. High G
content alginate was purchased from Kimica, Chile ltd. D-glucose was purchased from Sigma-Aldrich
(Buchs, Switzerland). Dulbecco’s modified Eagle’s media (DMEM), phosphate buffered saline
(PBS), fetal bovine serum (FBS), penicillin-streptomycin (PS), and trypsin were all purchased from
Life Technologies (Zug, Switzerland). All concentrations are given in percentages weight/volume (%
w/v) unless otherwise indicated.
7.4.1 Bioprinting preparations
Vivoflow: Gellan was added to D-glucose (300mM) containing ultra-pure water at 90°C to achieve a
3.5% solution and alginate was added to the mixture to achieve 2.5% solution. The boiling flask was
kept at 90°C with agitation until the solution was homogeneous, typically for one hour. The
homogeneous solution was cooled down to ~30°C prior the cell mixing. Briefly, the bovine
chondrocytes (6 x106 cells/ml) passage two were mixed in the culture medium consisting of DMEM,
10% FBS, 1 % PS, 50µg/ml ascorbic acid and 10ng/ml of transforming growth factor beta three
(TGF-β3) added to the bioink in 1:10 volume ratio whereas acellular bioink was mixed with culture
medium without cells and TGF-β3 to pre-crosslink the bioink. Mixing was performed until the
solution reached room temperature and the printing syringes were loaded. For the best printing
outcome with acellular bioink, the syringes were centrifuged at 5000rpm for 8min for degasing.
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Commercial bioinks: All commercial bioinks were purchased from the original vendors Cellink
(Cellink, Sweden), BioInk (RegenHU, Switzerland) and BioGel (BioBots, US). The inks were
prepared according to manufacturer’s protocols and recommendations except in BioGel where a
common photoinitiator, Ircacure® 2959 in cytocompatible 0.05% concentration 156,229, was used
instead of the one provided by the vendor. Bioinks were crosslinked with two different methods:
photo-crosslinked (BioInk and BioGel) and physically crosslinking via cations (Vivoflow, Cellink).
Photo-crosslinking was performed for 1min following each layer and finally for 5min to complete the
crosslinking whereas the cation initiated bioinks were crosslinked post printing for 10min with
Cellink kit crosslinking solution and 1h or 24h for Vivoflow (20mM SrCl2).
Printing syringes of the bioinks were mounted onto the extrusion printer Biofactory® (RegenHU,
Switzerland) and the parameters were set for 410 micron straight nozzle diameter. The BioInk (P:50125 kPa, valve opening time 200µs) and the Cellink (P:35 kPa, valve opening time 1200µs) were
printed according to manufacturer’s recommendations using pneumatic microvalves whereas BioGel
was printed with a direct extrusion system as suggested by the manufacturer similar to Vivoflow.
Bioinks were printed longitudinal (0°) in sheet conformation (4cm length, 1cm width and 1.5mm
height) to prevent printing related stress localization and to prevent process related bias in the
mechanical testing. Immediately following the printing, the tension dumbbells were transferred into
sterile petri dishes containing either the crosslinking medium (Cellink and Vivoflow) or culture
medium (BioInk, BioGel). Following the physical crosslinking all the samples were kept in culture
medium for 48 hours to allow uniform swelling before the tensile specimens were stamped according
to ISO 527-2-5B standard. In the results, the commercial inks are referred to by their composition:
BioInk = PEG-DA, BioGel = Gel-MA, Cellink = NC-Alg.
7.4.2 Testing methods and analysis
Rheology: An Anton Paar MCR 301 (Anton Paar, Zofingen, Switzerland) rheometer equipped with a
Peltier element for temperature control and a thermostatic hood was used to measure the bioinks
(before crosslinking) to determine shear and recovery responses by simulating the bioprinting. Shear
thinning was analyzed in rotation with a plate-cone geometry (50 mm diameter) by measuring
viscosity η at a frequency of 1 rad s-1 with a logarithmic increase of the shear rate. Yield points were
calculated using the Herschel/Bulkley equation

𝜏 = 𝜏𝐻𝐵 + 𝑐 ∙ 𝛾̇ 𝑝

(7.1)

where τ is shear rate, τHB is the Herschel/Bulkley yield point, c flow coefficient, 𝛾̇ p shear stress with
exponent p, where p is the Herschel/Bulkley index (p < 1 for shear thinning and p > 1 for shear
thickening). Cessation of flow was measured for each bioink in oscillation with a frequency of 1 rad/s
and 1% strain for 15min sequence until a one second lasting high shear (100-s) sequence was
performed followed by oscillation and second high shear sequence. All the rheology measurements
were performed at 25°C corresponding to the printing at room temperature and all the measurements
were measured in triplicates.
Mechanical testing: Mechanical testing was performed by considering the guidelines and standards
for elastomers and plastics in tensile measurements (ASTM D412-06a, ASTM D638-14, ISO 37, ISO
527-1,2) as well as standards for biomedical and regenerative medicine (ASTM F2064-14, ASTM
F2900-11, ASTM F2150-13) relevant for the mechanical testing. Bioinks were printed in sheet
conformation (4cm length, 1cm width and 1.5mm height) to prevent printing related stress
localization and inaccurate sample sizes. The sheets were kept in culture medium for 24hours for
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uniform swelling and the dumbbell specimens were stamped according to ISO 527-2-5B standard.
The cast bioink sheets (bulk) were similarly stamped. Each specimen was imaged with a
stereomicroscope (Wild M650, Leica) to calculate the initial gauge dimensions where the average
height and width were averaged over three sample positions (Supplementary Figure 7.5). Tension
testing was performed with a custom-made testing device with uniaxial hydraulic actuators equipped
with 100N load cells. Custom-made titanium clamps equipped with sandpaper were used for
specimen fixation. The tensile specimens were clamped to the retracting probes without preloading
and the stress-strain curves were recorded after a 0.005N - 0.01N pre-force was reached. Samples
were subjected to a controlled tensile displacement of 0.1 mm s-1 until failure in a saline bath (NaCl,
154mmol/L) at room temperature. Local (true) strains were determined from images of the deforming
specimens (time lapse) via point tracking with a custom-written code 402 or similarly using an ImageJ
plugin trackmate. Both 1st Piola-Kirchhoff (𝜎𝑃𝐾1 ) and Cauchy (𝜎𝐶 ) stresses were computed for each
specimen according to the following relations: 𝜎𝑃𝐾1 = 𝐹𝑐 /(𝑤0 𝑡0 ), and 𝜎𝐶 = 𝐹𝑐 /(𝑤𝑐 𝑡𝑐 ), 𝐹 being the
measured force throughout the tensile test, 𝑤 the specimen width, and 𝑡 its thickness where the
subscripts 0 and 𝑐 refer to the initial (reference) and the current (deformed) configurations,
respectively. Each specimen dimensions (width and thickness) were measured using a
stereomicroscope (Wild M650, Leica) initially (reference) and the poisson ratio was analyzed from
the local deformation tracking to simulate the thickness changes during the deformation (deformed).
Secant modulus was calculated within the linear region of the stress-strain curve by dividing the
corresponding stress value by the 10% strain. A linear region was observed until 10% strain for all the
tension samples where the secant modulus highly correlates with the Young’s modulus. Ultimate
stress was always calculated using Cauchy stress equation and ultimate strain was always determined
from the local deformation. These ultimate values were obtained as the highest values of the stressstrain curves which were recorded until 0.5% decrease in the stress was detected to neglect any
disruption related forces.
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7.6 Supplementary data

Supplementary Figure 7.1. Comparison of 1st Piola-Kirchhoff and Cauchy stress with global and
local displacement data. It is important to specify whether the stress is reported as 1st Piola-Kirchhoff
stress (PK-stress = force divided by initial cross sectional area) or Cauchy stress (C-stress = force
divided by current cross sectional area). Similarly, the displacement can be reported in terms of global
or local (true) displacement where the latter is the preferred value and reflects deformation of the
gauge length of the specimen, where global displacement is more susceptible to artifacts (e.g.
slippage) and/or material deformation inhomogeneities.
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Supplementary Figure 7.2. The line dimensions were optimized by investigating all the possible
printing parameters (pressure, feedrate and printing height) with a chosen nozzle diameter (410µm).
Printing pressure (FR 800mm/min, PH 0.5mm) had the most influence to the dimensions followed by
the feedrate (P 1.3bar, PH 0.5mm) and finally the printing height (P 1.3bar, FR 800mm/min) did not
have a significant role in the print line dimensions. Printing process parameters such as pressure,
feedrate and printing height were tested to standardize the line thickness to 982 um ± 92 um achieved
with the pressure 1.3bar, feedrate 800mm/min and printing height of 0.5mm.
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Supplementary Figure 7.3. Illustration of the line reproducibility and the effect of line spacing on
bioprinted structures using the four bioinks. An input line spacing of 400 and 1200 microns were used
to evaluate printed structures from microscopy (column A and C) and macroscopic images (Column B
and D). For each bioink, line width was also measured from single lines (n=5, column E) and the
average values in increasing order were Gel-MA: 962µm±280µm, Vivoflow: 1115µm±27µm, PEGDA: 1426µm±30µm and NC-Alg: 1723µm±113µm. Microscopy images were acquired using a Leica
Wild M650 stereomicroscope and macroscopic images using a Canon EF-S 60mm macro USM
objective. Scale bars are 1 mm (A, C, E) and 5mm (B, D) respectively.
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Supplementary Figure 7.4. Measurement of extrusion force within a bioink syringe with and without
centrifugation. Entrapped air and local viscosity changes within the syringe can be avoided with
optimized syringe packing. These local viscosity changes can be present due to several bioink
components such as polymers, additives (cells, growth factors and particles) and entrapped air.

Supplementary Figure 7.5. Specimens were imaged and measured for dimensions. Each specimen
was images with a stereomicroscope (Wild M650, Leica) to calculate the initial gauge dimensions
where the height and width were averaged over three positions in the gauge. Tensile dumbbells were
produced according to ISO 527-2 5B and the dimensions are in millimeter.
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Supplementary Table 7.1. Comparison of the rheological and mechanical properties of several
bioinks based on the standardized testing protocol.

Vivoflow 1h
Yield
point
Shear
recovery
Ultimate
stress
(Cauchy)
Ultimate
stress (1st
PK-stress)
Secant
modulus
10%
(Cauchy)
Secant
modulus
10% (1st
PK-stress)
Ultimate
strain
(local)

Vivoflow 24h

PEG-DA

Gel-MA

NC-Alg

31Pa±2.4Pa

31Pa±2.4Pa

-

65Pa±14Pa

11Pa±0.7Pa

>99%

>99%

>99%

84.3%

79.3%

39kPa±8.9kPa

183kPa±36kPa

18kPa±7kPa

30kPa±22kPa

1.4kPa±0.2kPa

28kPa±6.2kPa

111kPa±19kPa

12kPa±3.7kPa

14kPa±11kPa

1.2kPa±0.1kPa

75kPa±18kPa

110kPa±21kPa

18kPa±3.2kPa

14kPa±1.0kPa

3.0kPa±1.9kPa

68kPa±16kPa

100kPa±19kPa

16kPa±2.9kPa

15kPa±2.4kPa

2.7kPa±1.7kPa

37%±1.5%

64%±4.9%

50%±10%

62%±14%

21%±7.3%
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8 Outlook
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8.1 Bioprinting needs standards
Additive manufacturing technologies have experienced rapid development in several fields. The
development has been expeditious in the medical sector and new discoveries have been made in the
first FDA approved printed drugs (Spritam, Aprecia pharmaceuticals) and in printing custom made
titanium implants (Redapt, Smith&Nephew). This advancement on the wide range of applications
highlights the growing momentum of the additive manufacturing. Bioprinting technologies have been
developing alongside with these 3D printed medical applications. Moreover, bioprinting technologies
have benefitted from the knowhow and experience gained with these similar additive manufacturing
technologies. Bioprinting has been developed from a research tool to a potential manufacturing
technique for novel TE grafts comprised of living cells and biomaterials. However, before bioprinting
techniques can be used in clinical graft manufacturing, series of standardization and best practise
guidelines needs to be established to ensure the safety and efficacy of the bioprinted products. Several
authors have proposed standards and norms for bioink characterization and bioprinting processes to
advance translation of these technologies through the multi-disciplinary field where engineers,
biologists, clinicians and regulators must all come together 71,210,272. More needs to be done and
standardization associations such as American Society for Testing and Materials (ASTM) and
International Organization for Standardization (ISO) should be involved in creating the standards.
Currently only general principles of additive manufacturing (ISO/ASTM 52900:2015; ISO/ASTM
52921:2013; ISO/ASTM 52915:2016) have been standardized, while there are separate standards for
TE materials and products that should all be combined in the series of bioprinting standards.
The main limitation of the bioprinting adoption to wider use in pharmaceutical development and TE is
the lack of available bioinks. The development of novel materials and new material combinations
should be emphasized in future research. Bioinks should be developed from both synthetic and natural
sources which have been specially designed for bioprinting processes due to the unique requirements
for the bioinks. Jungst et al. recently published strategies and molecular design criteria for printable
hydrogels 170, while other authors have summarized all the current understanding and knowhow of the
hydrogels suitable for bioprinting applications 141–143. With the development of international standards
and a library of commercially available bioinks, the bioprinting technologies could be adopted in
many new applications. These technologies have been used to develop in vitro biological systems
such as organ on a chip 403 which could be applied to limit the numbers of in vivo experiments,
important for the pharmaceutical and cosmetic industries. Furthermore, the standardized
characterization of bioinks would advance the clinical translation of new TE therapies.

8.2 Future directions in bioprinting
Bioprinting technologies have been developed since early 21st century starting with a modified
tabletop inkjet printer adapted to pattern living cells 246. Since then, the development of the bioprinting
techniques has been rapid and the process knowhow has been applied to research approaches in
multiple fields of biomedical engineering. There has been an extensive hype around the bioprinting
technologies expected to be capable of organ manufacturing, while the additive manufacturing
techniques have become mainstream processes in a few specific medical device applications. Additive
manufacturing in medical applications is projected to reach $1.9 billion market share (21%) from the
total $8.9 billion additive manufacturing industry in the next ten years 404. The medical industry,
which is less cost sensitive in specific applications, has been developing these costly manufacturing
techniques to provide mass customization of products, which can be now manufactured in one
streamlined process without the need for assembly steps. Medical products produced with additive
manufacturing technologies includes custom made hearing aids, dental liners, surgical operation tools,
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pre-operative planning solutions and custom made surgical implants such as large cranial titanium
meshes and total hip and knee implants with customized dimensions and/or attachment sites.
The field of bioprinting is rapidly growing and several new bioprinters and commercial bioinks are
currently available. Bioprinting tools and hardware are being developed and customized for more
standardized processes being suitable for clinical translation and commercial manufacturing of TE
grafts 69,405. These new bioprinters and manufacturing tools are designed for specific bioprinting tasks
to optimize the manufacturing process. With such bottom-up design, a significant quality and process
improvement can be achieved. The future bioprinter developments are likely to be the multi-nozzle
inkjet printers 406 and multi-axis printers where higher degree of design freedom can be provided. Like
the current commercial inkjet printers, the multi-nozzle inkjet bioprinters could improve the material
throughput to decrease the printing time of large constructs. This technique could make inkjet
bioprinting suitable for large scale 3D grafts. Extrusion bioprinters are currently based on 3-axis
technologies which limits the complexity of the printing tasks. It is likely that the 6-axis bioprinters
are developed for complex manufacturing tasks such as solid organs. As an intermediate development,
it is likely that the bioprinters will adopt rotating or tilting stages which enables 4- or 5-axis printing
without significant cost increase. Furthermore, new bioprinting technologies are being imported from
the 3D printing field and one expected development is stereolitography (SLA) 407. This technique
requires high concentration or fast acting radical photoinitiators that are often cytotoxic, whereas the
development of the next generation cytocompatible photoinitiators, accelerated by the development of
two photon patterning, will enable these technologies to be used with cells.
Biofabrication technologies were initially hypothesized to be capable of functional solid organ
manufacturing. The current development suggests that the solid organ printing is still over a decade
away before functional organs such as liver, kidney or lung 67,408,409 can be manufactured. These
manufacturing processes require complex internal vasculature and other fine structures for proper
function of the tissue and cell survival in full-size organs. It is known that the maximum diffusion
distance of nutrients and oxygen in highly vascularized organs is 100-200µm 410, which requires
manufacturing of complex vascular networks with features ranging from 5µm-30mm in seamlessly
interconnected vascular structures 411. Several groups have investigated bioprinted vascular structures
with promising results 193,235,262,412, whereas the bioprinting of a full vascular network of an 3D organ
remains an unachieved goal. Solid organs are composed of several different cell types, which must be
expanded in sufficient numbers in vitro to repopulate the organ with resident cells. These structures
require right culture conditions for each cell type to recapitulate the morphology and function of the
desired tissue. Furthermore, these cells might require the use of specific bioinks, which leads to multibioink bioprinting proposes with several challenges including material interactions and different
swelling behaviors. Once the organ manufacturing process has been achieved, the conditioning of
these structures is required until the full physiological function is achieved. Despite all the challenges
in the organ manufacturing, some pseudo-organ models have been described 255. In summary, the
main limitations preventing the functional full-size organ manufacturing are 1) unsophisticated
commercial bioprinters and software, 2) lack of experience in complex vasculature printing, 3) lack of
experience in multi-material bioprinting in one construct, 4) challenges with co-culturing multiple cell
types, 5) lack of knowhow to promote self-assembly or organogenesis in the manufactured grafts and
6) lack of bioreactors to condition the organs with physiological stimuli to obtain functionality preimplantation.
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8.3 Bioprinting in clinical realm
Currently hundreds of advanced cell therapies are available 79,413 and a recent study estimated the
number of manufactured product and treated patients between 1988-2010 to be 675’000 and 323’000
respectively. Based on these volumes, annual estimated revenue of these treatments reaches $100-200
million 413. Despite the active development of new cell therapies in United States of America and in
Europe, there are no current bioprinted products available for clinical treatment, while there have been
several pre-clinical proof-of-concept studies conducted. Both the FDA and EMA have strict
regulations for advanced cellular products and therapies, classified as advanced therapy medicinal
product (ATMP) by EMA 414 and as biologics under the guidelines of the biologics licensing
application by FDA 85,415,416. Several articles describing thorough clinical translation requirements
primarily with FDA have been published 86,417,418.
Scenarios to have bioprinters in the operation theaters to produce tissues and organs on demand have
been projected for the future. There have been initial proof-of-concept studies with so called in situ
bioprinters which can directly print on the patients defect according to the wound dimensions 252,419.
The most elaborate study by Binder et al. featuring this printing technique demonstrated the in situ
inkjet skin printing, where 10x10cm skin wounds were created in a swine model and an inkjet printing
of keratinocytes in fibrin-collagen type I hydrogel was performed 252. In 8 week endpoint, the wounds
in some treatment groups were fully covered, suggesting sufficient treatment. This is one of the
demonstrations of such in situ printing technique which would essentially require the bioprinting to
take place in the operation theater. The current regulatory challenges and the resource intensive TE
technologies may be too complex to enter the operating theaters in the near future, while there are
several indications that it might be possible to get bioprinted tissue grafts on demand in the future.
Currently there are two possible ways to introduce the first bioprinted products into the clinics, either
from a centralized manufacturing facility or by bioprinting the grafts on-site in the hospital. The
centralized manufacturing facility running under good manufacturing practice (GMP) certification can
optimize the processes and manufacturing to the highest possible quality standard due to a wellcontrolled facility where all the manufacturing experience resides. In this approach the centralized
location relies on logistics of biological samples such as biopsies and the manufactured patientspecific grafts, which might not be suitable with all cell types. On the contrary, on-site or in-house
bioprinting of tissue grafts would be suitable for all tissue and cell types which can be grown in vitro.
However, this requires dedicated staff to run the GMP bioprinting facility in the hospital. Such a
facility would need to build expertise in in vitro cell processing and bioprinting to produce TE grafts.
Although it seems unlikely that many hospitals would allocate sufficient resources to such
manufacturing facilities of TE grafts, it might be possible to develop centers for TE where state-ofthe-art TE product manufacturing could take place. All the bioprinting technologies are in early stages
of clinical translation and the future will show whether bioprinting is first commercialized through the
traditional centralized facilities or if the in-situ and on-site bioprinting will be directly adopted to
establish on-demand bioprinting capabilities in the hospitals.

145

Bibliography
1.

Redman, S., Oldfield, S. & Archer, C. Current strategies for articular cartilage repair. Eur.
Cell. Mater. 9, 23–32 (2005).

2.

Sophia Fox, A. J., Bedi, A. & Rodeo, S. A. The basic science of articular cartilage: structure,
composition, and function. Sports Health 1, 461–8 (2009).

3.

Zieris, A. et al. Biohybrid networks of selectively desulfated glycosaminoglycans for tunable
growth factor delivery. Biomacromolecules 15, 4439–4446 (2014).

4.

Lyons, T. J., Stoddart, R. W., McClure, S. F. & McClure, J. The tidemark of the chondroosseous junction of the normal human knee joint. J. Mol. Histol. 36, 207–215 (2005).

5.

Griffin, M. F., Premakumar, Y., Seifalian, A. M., Szarko, M. & Butler, P. E. M.
Biomechanical characterisation of the human auricular cartilages; implications for tissue
engineering. J. Mater. Sci. Mater. Med. 27, 1–6 (2016).

6.

Gosline, J. et al. Elastic proteins: biological roles and mechanical properties. Philos. Trans. R.
Soc. Lond. B. Biol. Sci. 357, 121–32 (2002).

7.

Debelle, L. & Tamburro, A. M. Elastin: Molecular description and function. Int. J. Biochem.
Cell Biol. 31, 261–272 (1999).

8.

Nimeskern, L. et al. Mechanical and biochemical mapping of human auricular cartilage for
reliable assessment of tissue-engineered constructs. J. Biomech. 48, 1721–1729 (2015).

9.

Bjornsson, S. Simultaneous preparation and quantitation of proteoglycans by precipitation with
alcian blue. Analytical biochemistry 210, 282–291 (1993).

10.

Holmdahl, R., Rubin, K., Klareskog, L., Larsson, E. & Wigzell, H. Characterization of the
antibody response in mice with type II collagen-induced arthritis, using monoclonal anti-type
II collagen antibodies. Arthritis Rheum. 29, 400–410 (1986).

11.

Percival, K. R. & Radi, Z. A. A modified Verhoeff-van Gieson elastin histochemical stain to
enable pulmonary arterial hypertension model characterization. Eur. J. Histochem. 60, 6–10
(2016).

12.

Kazlouskaya, V. et al. The utility of elastic Verhoeff-Van Gieson staining in
dermatopathology. J. Cutan. Pathol. 40, 211–225 (2013).

13.

Netter, F. H. Atlas of Human Anatomy. (Elsevier, 2014).

14.

Hunter, A. G. W. & Yotsuyanagi, T. The external ear: More attention to detail may aid
syndrome diagnosis and contribute answers to embryological questions. Am. J. Med. Genet.
135 A, 237–250 (2005).

15.

Alexander, K. S., Stott, D. J., Sivakumar, B. & Kang, N. A morphometric study of the human
ear. J Plast Reconstr Aesthet Surg 64, 41–47 (2011).

16.

Tolleth, H. Artistic anatomy, dimensions and proportions of the external ear. Clin. Plast. Surg.
5, 337–345 (1978).

17.

Kalcioglu, M. T., Miman, M. C., Toplu, Y., Yakinci, C. & Ozturan, O. Anthropometric growth
study of normal human auricle. Int. J. Pediatr. Otorhinolaryngol. 67, 1169–1177 (2003).
146

18.

Gorlin, R. J., Cohen, M. M. & Hennekam, R. C. M. Syndromes of the head and neck. (Oxford
university press, 2001).

19.

Luquetti, D. V, Heike, C. L., Hing, A. V, Cunningham, M. L. & Cox, T. C. Microtia :
Epidemiology & Genetics. Am. J. Med. Genet. 158A, 124–139 (2012).

20.

Keogh, I. J., Troulis, M. J., Monroy, A. A., Eavey, R. D. & Kaban, L. B. Isolated microtia as a
marker for unsuspected hemicafial microsomia. Arch. Otolaryngol Head Neck Surg. 133, 997–
1001 (2007).

21.

Adhikari, K. et al. A genome-wide association study identifies multiple loci for variation in
human ear morphology. Nat. Commun. 6, 1–10 (2015).

22.

Noden, D. M. & Trainor, P. A. Relations and interactions between cranial mesoderm and
neural crest populations. J. Anat. 207, 575–601 (2005).

23.

Trainor, P. A. Craniofacial birth defects: The role of neural crest cells in the etiology and
pathogenesis of Treacher Collins syndrome and the potential for prevention. Am. J. Med.
Genet. Part A 152 A, 2984–2994 (2010).

24.

Zabihi, S. & Loeken, M. Understanding diabetic teratogenesis: where are we now and where
are we going? Birth Defects Res. Part A, Clin. Mol. Teratol. 88, 779–790 (2010).

25.

Poswillo, D. Hemorrhage in development of the face. Birth Defects Orig. Artic. Ser. 11, 61–81
(1975).

26.

Bartel-Friedrich, S. & Wulke, C. Classification and diagnosis of ear malformations. GMS
Curr. Top. Otorhinolaryngol. Head Neck Surg. 6, 1–21 (2007).

27.

Jaffe, B. F. Incidence of ear diseases in Navajo indians. Laryngoscope 79, 21–26 (1969).

28.

Nazer, J., Lay-Son, G. & Cifuentes, L. Prevalence of microtia and anotia at the maternity of
the University of Chile Clinical Hospital. Rev Med Chil.1295–301. Rev. Med. Chil. 134,
1295–1301 (2006).

29.

Melnick, M. & Myrianthopoulos, N. C. External ear malformation: Epidemiology, genetics,
and natural history. (Alan R. Liss Inc., 1979).

30.

Zhao, Y. et al. Clinical evaluation of three total ear reconstruction methods. J. Plast. Reconstr.
Aesthetic Surg. 62, 1550–1554 (2009).

31.

Marx, H. in Die Krankheiten des Gehörorgans (ed. Alexander, G.) 131–169 (Julius Springer,
1926).

32.

Suutarla, S. et al. Microtia in Finland: Comparison of characteristics in different populations.
Int. J. Pediatr. Otorhinolaryngol. 71, 1211–1217 (2007).

33.

Harris, J., Kallen, B. & Robert, E. The epidemiology of anotia and microtia. J. Med. Genet. 33,
809–813 (1996).

34.

Forrester, M. B. & Merz, R. D. Descriptive epidemiology of anotia and microtia. Congenit.
Anom. (Kyoto). 45, 119–124 (2005).

35.

Canfield, M. A., Langlois, P. H., Nguyen, L. M. & Scheuerle, A. E. Epidemioligic features and
clinical subgroups of anotia/microtia in Texas. Birth Defects Res. Part A Clin. Mol. Teratol. J.
85, 905–913 (2009).

36.

Nelson, S. M. & Berry, R. I. Ear disease and hearing lossamong Navajo children - a mass
147

survey. Laryngoscope 94, 316–323 (1984).
37.

Mastroiacovo, P. et al. Epidemiology and genetics of microtia-anotia: a registry based study on
over one million births. J. Med. Genet. 32, 453–457 (1995).

38.

Castilla, E. E. & Orioli, I. M. Prevalence rates of microtia in South America. Int. J. Epidemiol.
15, 364–368 (1986).

39.

Meurman, Y. Congenital microtia and meatal atresia; observations and aspects of treatment.
Arch. Otolaryngol. - Head Neck Surg. 66, 443–463 (1957).

40.

Firmin, F. in Aesthetics and Functionality in Ear Reconstruction, Advances in
otorhinollaryngology (ed. Staudenmaier, R.) 68, 25–52 (Karger, 2010).

41.

Tanzer, R. C. Total reconstruction of the external ear. Plast. Reconstr. Surg. Transpl. 23, 1–15
(1959).

42.

Niemitz, C., Nibbrig, M. & Zacher, V. Human ears grow throughout the entire lifetime
according to complicated and sexually dimorphic patterns - conclusions from a cross-sectional
analysis. Anthropol. anzaigen 65, 391–413 (2007).

43.

Matsuka, K. et al. Comparative study of auricular dimensions for the normal auricles of
microtia patients, their parents, and normal individuals. Ann. Plast. Surg. 32, 135–140 (1994).

44.

Baluch, N. et al. Auricular reconstruction for microtia: A review of available methods. Can. J.
Plast. Surg. 22, 39–43 (2014).

45.

Kang, S. S., Guo, Y., Zhang, D. Y. & Jiang, D. Y. Rib cartilage assessment relative to the
healthy ear in young children with microtia guiding operative timing. Chin. Med. J. (Engl).
128, 2208–2214 (2015).

46.

Horlock, N., Vögelin, E., Bradbury, E., Grobbelaar, A. & DT, G. Psychosocial outcome of
patients after ear reconstruction: a retrospective study of 62 patients. Ann. Plast. Surg. 54,
517–524 (2005).

47.

Park, C. Subfascial expansion and expanded two-flap method for microtia reconstruction.
Plast. Reconstr. Surg. 106, 1473–1487 (2000).

48.

Nagata, S. A new method of total reconstruction of the auricle for microtia. Plast. Reconstr.
Surg. 92, 187–201 (1993).

49.

Long, X., Yu, N., Huang, J. & Wang, X. Complication Rate of Autologous Cartilage Microtia
Reconstruction. Plast. Reconstr. Surg. Glob. Open 1, 1–8 (2013).

50.

Im, D. D., Paskhover, B., Staffenberg, D. A. & Jarrahy, R. Current management of microtia: A
national survey. Aesthetic Plast. Surg. 37, 402–408 (2013).

51.

Brent, B. Microtia repair with rib cartilage graft: A review of personal experience with 1000
cases. Clin. Plast. Surg. 29, 257–271 (2002).

52.

Firmin, F. & Marchac, A. A Novel Algorithm for Autologous Ear Reconstruction Franc.
Semin. Plast. Surg. 25, 257–264 (2011).

53.

Firmin, F., Sanger, C. & O’Toole, G. Ear reconstruction following severe complications of
otoplasty. J. Plast. Reconstr. Aesthetic Surg. 61, 13–20 (2008).

54.

Qing-Hua, Y., Yu-Peng, S., Haiyue, J. & Hong-Xing, Z. The significance of the biomechanical
properties of costal cartilage in the timing of ear reconstruction surgery. J. Plast. Reconstr.
148

Aesthetic Surg. 64, 742–746 (2011).
55.

Shan, J., Guo, Y., Chang, K. W. & Zhang, T. A modified technique for firm elevation of the
reconstructed auricle. Eur. Arch. Oto-Rhino-Laryngology 273, 3019–3024 (2016).

56.

Spina, V., Kamakura, L. & Psillakis, J. M. Total reconstruction of the ear in congenital
microtia. Plast. Reconstr. Surg. 48, 349–357 (1971).

57.

Wu, R. et al. Three-dimensional chest computed tomography analysis of thoracic deformities
in microtia patients. J. Plast. Reconstr. Aesthetic Surg. 68, 498–504 (2015).

58.

Jones, C. E. & Wellisz, T. External Ear Reconstruction. AORN J. 59, 389–398 (1994).

59.

Reinisch, J. & Lewis, S. Ear reconstruction using a porous polyethylene framework and
temporoparietal fascia flap. Facial Plast. Surg. 25, 181–189 (2009).

60.

Reinisch, J. Ear Reconstruction in Young Children. Facial Plast. Surg. 31, 600–603 (2015).

61.

Romo III, T. et al. Reconstruction of congenital microtia-atresia. Head neck Surg. 62, 384–389
(2009).

62.

Granström, G., Bergström, K., Odersjö, M. & Tjellström, A. Osseointegrated Implants in
Children: Experience from Our First 100 Patients. Otolaryngol head neck Surg. 125, 85–92
(2001).

63.

Westin, T., Tjellstrom, A., Hammerlid, E., Bergstrom, K. & Rangert, B. Long-term study of
quality and safety of osseointegration for the retention of auricular prostheses. Otolaryngol. Head Neck Surg. 121, 133–143 (1999).

64.

He, Y., Xue, G. & Fu, J. Fabrication of low cost soft tissue prostheses with the desktop 3D
printer. Sci. Rep. 4, 1–7 (2014).

65.

Ciocca, L. & Scotti, R. CAD-CAM generated ear cast by means of a laser scanner and rapid
prototyping machine. J. Prosthet. Dent. 92, 591–595 (2004).

66.

Furth, M. E. & Atala, A. in Principles of Tissue Engineering (eds. Lanza, R., Langer, R. &
Vacanti, J. P.) 83–123 (Elsevier, 2014). doi:10.1089/107632703764664684.Published

67.

Murphy, S. V & Atala, A. 3D bioprinting of tissues and organs. Nat. Biotechnol. 32, 773–785
(2014).

68.

Huang, B. J., Hu, J. C. & Athanasiou, K. A. Cell-based tissue engineering strategies used in
the clinical repair of articular cartilage. Biomaterials 98, 1–22 (2016).

69.

Kang, H.-W. et al. A 3D bioprinting system to produce human-scale tissue constructs with
structural integrity. Nat. Biotechnol. 34, 312–319 (2016).

70.

Abbadessa, A. et al. A Synthetic Thermosensitive Hydrogel for Cartilage Bioprinting and Its
Biofunctionalization with Polysaccharides. Biomacromolecules 17, 2137–2147 (2016).

71.

Rimann, M., Bono, E., Annaheim, H., Bleisch, M. & Graf-Hausner, U. Standardized 3D
Bioprinting of Soft Tissue Models with Human Primary Cells. J. Lab. Autom. 21, 496–509
(2015).

72.

Cubo, N., Garcia, M., Cañizo, J. F., Velasco, D. & Jorcano, J. I. 3D bioprinting of functional
human skin: production and in vivo analysis. Biofabrication 9, 1–12 (2017).

73.

Daly, A. C. et al. 3D Bioprinting of Developmentally Inspired Templates for Whole Bone
Organ Engineering. Adv. Healthc. Mater. 5, 2353–2362 (2016).
149

74.

Jana, S., Tefft, B. J., Spoon, D. B. & Simari, R. D. Scaffolds for tissue engineering of cardiac
valves. Acta Biomater. 10, 2877–2893 (2014).

75.

Ikada, Y. Tissue engineering: fundamentals and applications. (Elsevier Ltd, 2006).

76.

Woods, E. J., Thirumala, S., Badhe-Buchanan, S. S., Clarke, D. & Mathew, A. J. Off the shelf
cellular therapeutics: Factors to consider during cryopreservation and storage of human cells
for clinical use. Cytotherapy 18, 697–711 (2016).

77.

Nelson, P. T. et al. Clonal Human (hNT) Neuron Grafts for Stroke Therapy. Am. J. Pathol.
160, 1201–1206 (2002).

78.

Marceau, K. et al. Comparison of Allogeneic vs Autologous Bone Marrow–Derived
Mesenchymal Stem Cells Delivered by Transendocardial Injection in Patients With Ischemic
Cardiomyopathy: The POSEIDON Randomized Trial. JAMA 308, 2369–2379 (2012).

79.

Martin, I. et al. The Survey on Cellular and Engineered Tissue Therapies in Europe in 2010.
Tissue Eng. - Part A 18, 2268–2279 (2012).

80.

Chinen, J. & Buckley, R. H. Transplantation immunology: Solid organ and bone marrow. J
Allergy Clin Immunol 125, 324–335 (2011).

81.

Ankrum, J., Ong, J. & Karp, J. Mesenchymal stem cells: immune evasive, not immune
privileged. Nat. Biotechnol. 32, 252–260 (2014).

82.

Majumdar, M. K. et al. Characterization and functionality of cell surface molecules on human
mesenchymal stem cells. J. Biomed. Sci. 10, 228–241 (2003).

83.

Spaggiari, G. M. et al. Mesenchymal stem cells inhibit natural killer cell proliferation ,
cytotoxicity , and cytokine production : role of indoleamine 2 , 3-dioxygenase and
prostaglandin E2. Blood 111, 1327–1333 (2008).

84.

Blazquez, R. et al. Immunomodulatory potential of human adipose mesenchymal stem cells
derived exosomes on in vitro stimulated T cells. Front. Immunol. 5, 1–9 (2014).

85.

Mendicino, M., Bailey, A. M., Wonnacott, K., Puri, R. K. & Bauer, S. R. MSC-based product
characterization for clinical trials: An FDA perspective. Cell Stem Cell 14, 141–145 (2014).

86.

Au, P. et al. FDA Oversight of Cell Therapy Clinical Trials FDA Oversight of Cell Therapy
Clinical Trials. Regul. Sci. 4, 27–30 (2012).

87.

Obokata, H. & Vacanti, C. A. in Principles of Tissue Engineering 595–608 (Elsevier, 2014).

88.

Sakaguchi, Y., Sekiya, I., Yagishita, K. & Muneta, T. Comparison of human stem cells derived
from various mesenchymal tissues: Superiority of synovium as a cell source. Arthritis Rheum.
52, 2521–2529 (2005).

89.

Liu, Y. et al. In vitro engineering of human ear-shaped cartilage assisted with CAD/CAM
technology. Biomaterials 31, 2176–83 (2010).

90.

Utomo, L. et al. Preparation and characterization of a decellularized cartilage scaffold for ear
cartilage reconstruction. Biomed. Mater. 10, 1–11 (2015).

91.

Pan, Q. et al. Detection of spontaneous tumorigenic transformation during culture expansion
of human mesenchymal stromal cells. Exp. Biol. Med. 239, 105–115 (2014).

92.

Dickhut, A. et al. Calcification or dedifferentiation: Requirement to lock mesenchymal stem
cells in a desired differentiation stage. J. Cell. Physiol. 219, 219–226 (2009).
150

93.

Pelttari, K. et al. Premature induction of hypertrophy during in vitro chondrogenesis of human
mesenchymal stem cells correlates with calcification and vascular invasion after ectopic
transplantation in SCID mice. Arthritis Rheum. 10, 3254–3266 (2006).

94.

Kubosch, E. J., Heidt, E., Bernstein, A., Böttiger, K. & Schmal, H. The trans-well coculture of
human synovial mesenchymal stem cells with chondrocytes leads to self-organization,
chondrogenic differentiation, and secretion of TGFβ. Stem Cell Res. Ther. 7, 1–11 (2016).

95.

Shi, J. et al. Adipose-Derived stem cells cocultured with chondrocytes promote the
proliferation of chondrocytes. Stem Cells Int. 2017, 1–17 (2017).

96.

Fischer, J., Dickhut, A., Rickert, M. & Richter, W. Human articular chondrocytes secrete
parathyroid hormone-related protein and inhibit hypertrophy of mesenchymal stem cells in
coculture during chondrogenesis. Arthritis Rheum. 62, 2696–2706 (2010).

97.

Hayes, a J., MacPherson, S., Morrison, H., Dowthwaite, G. & Archer, C. W. The development
of articular cartilage: evidence for an appositional growth mechanism. Anat. Embryol. (Berl).
203, 469–479 (2001).

98.

Darwiche, S., Scaletta, C., Raffoul, W., Pioletti, D. P. & Applegate, L. A. Epiphyseal
Chondroprogenitors Provide a Stable Cell Source for Cartilage Cell Therapy. Cell Med. 4, 23–
32 (2012).

99.

Hutton, S. R. & Pevny, L. H. Isolation, culture, and differentiation of progenitor cells from the
central nervous system. Cold Spring Harb. Protoc. 3, 1–6 (2008).

100.

Hofmann, N. A., Reinisch, A. & Strunk, D. in Somatic Stem Cells: Methods and Protocols (ed.
Singh, S. R.) 879, 165–178 (Springer Science+Business Media, 2012).

101.

Dowthwaite, G. P. et al. The surface of articular cartilage contains a progenitor cell
population. J. Cell Sci. 117, 889–897 (2004).

102.

Xue, K., Zhang, X., Qi, L., Zhou, J. & Liu, K. Isolation, identification, and comparison of
cartilage stem progenitor/cells from auricular cartilage and perichondrium. Am. J. Transl. Res.
8, 732–741 (2016).

103.

Wang, Z. et al. An in vitro culture system that supports robust expansion and maintenance of
in vivo engraftment capabilities for myogenic progenitor cells from adult mice. Biores. Open
Access 3, 79–87 (2014).

104.

Adkisson, D. H. et al. The Potential of Human Allogeneic Juvenile Chondrocytes for
Restoration od Articular Cartilage. Am. J. Sports Med. 38, 1324–1333 (2010).

105.

Adkisson, H. D. et al. Immune evasion by neocartilage-derived chondrocytes: Implications for
biologic repair of joint articular cartilage. Stem Cell Res. 4, 57–68 (2010).

106.

Jobanputra, P., Corrigall, V., Kingsley, G. & Panayi, G. Cellular responses to human
chondrocytes: absence of allogeneic responses in the presence of HLA-DR and ICAM-1. Clin.
Exp. Immunol. 90, 336–44 (1992).

107.

Hatic, D. O. & Berlet, G. C. Particulated Juvenile Articular Cartilage Graft (DeNovo NT
Graft) for Treatment of Osteochondral Lesions of the Talus. Foot Ankle Spec. 3, 361–364
(2010).

108.

Arzi, B. et al. Cartilage immunoprivilege depends on donor source and lesion location. Acta
Biomater. 23, 72–81 (2015).

109.

Fodor, W. L. Tissue engineering and cell based therapies, from the bench to the clinic: The
151

potential to replace, repair and regenerate. Reprod. Biol. Endocrinol. 1, 1–6 (2003).
110.

Kretlow, J. D. et al. Donor age and cell passage affects differentiation potential of murine bone
marrow-derived stem cells. BMC Cell Biol. 9, 1–13 (2008).

111.

Siegel, G. et al. Phenotype, donor age and gender affect function of human bone marrowderived mesenchymal stromal cells. BMC Med. 11, 1–20 (2013).

112.

Garcia, J. et al. Chondrogenic Potency Analyses of Donor-Matched Chondrocytes and
Mesenchymal Stem Cells Derived from Bone Marrow, Infrapatellar Fat Pad, and
Subcutaneous Fat. Stem Cells Int. 2016, 1–11 (2016).

113.

Buckwalter, J. A., Mankin, H. J. & Grodzinsky, A. J. Articular cartilage and osteoarthritis. Inst
Course Lect 54, 465–480 (2005).

114.

Diao, H. J. et al. Dynamic cyclic compression modulates the chondrogenic phenotype in
human chondrocytes from late stage osteoarthritis. Biochem. Biophys. Res. Commun. 486, 14–
21 (2017).

115.

Tompkins, M. et al. Preliminary results of a novel single-stage cartilage restoration technique:
particulated juvenile articular cartilage allograft for chondral defects of the patella.
Arthroscopy 29, 1661–70 (2013).

116.

Madeira, C., Santhagunam, A., Salgueiro, J. B. & Cabral, J. M. S. Advanced cell therapies for
articular cartilage regeneration. Trends Biotechnol. 33, 35–42 (2015).

117.

Fulco, I. et al. Engineered autologous cartilage tissue for nasal reconstruction after tumour
resection: An observational first-in-human trial. Lancet 384, 337–346 (2014).

118.

Kamil, S. H. et al. In vitro tissue engineering to generate a human-sized auricle and nasal tip.
Laryngoscope 113, 90–94 (2003).

119.

Yanaga, H. et al. Clinical application of cultured autologous human auricular chondrocytes
with autologous serum for craniofacial or nasal augmentation and repair. Plast. Reconstr. Surg.
117, 2019–2030 (2006).

120.

Yanaga, H. & Imai, K. Generative surgery using cultured autologous auricular chondrocytes
for microtia treatment. Japanese J. Plast. Surg. 54, 297–304 (2011).

121.

Yanaga, H., Koga, M., Imai, K. & Yanaga, K. Clinical application of biotechnically cultured
autologous chondrocytes as novel graft material for nasal augmentation. Aesthetic Plast. Surg.
28, 212–221 (2004).

122.

Yanaga, H., Imai, K., Fujimoto, T. & Yanaga, K. Generating ears from cultured autologous
auricular chondrocytes by using two-stage implantation in treatment of microtia. Plast.
Reconstr. Surg. 124, 817–825 (2009).

123.

Nabzdyk, C. et al. Auricular chondrocytes - from benchwork to clinical applications. In Vivo
(Brooklyn). 23, 369–380 (2009).

124.

Tseng, A. et al. Extensively Expanded Auricular Chondrocytes Form Neocartilage In Vivo.
Cartilage 5, 241–251 (2014).

125.

Schulze-Tanzil, G. Activation and dedifferentiation of chondrocytes: Implications in cartilage
injury and repair. Ann. Anat. 191, 325–338 (2009).

126.

Chen, W. H. et al. The potential use of platelet-rich plasma to reconstruct the microtia
chondrocyte in human auricular cartilage regeneration. J. Nanomater. 2015, 1–7 (2015).
152

127.

Madry, H., Rey-Rico, A., Venkatesan, J. K., Johnstone, B. & Cucchiarini, M. Transforming
growth factor Beta-releasing scaffolds for cartilage tissue engineering. Tissue Eng. Part B.
Rev. 20, 106–25 (2014).

128.

Huang, A. H., Stein, A., Tuan, R. S. & Mauck, R. L. Transient exposure to transforming
growth factor beta 3 improves the mechanical properties of mesenchymal stem cell-laden
cartilage constructs in a density-dependent manner. Tissue Eng. Part A 15, 3461–72 (2009).

129.

Misra, K. & Sabaawy, H. Minimally manipulated autologous adherent bone marrow cells
(ABMCs): a promising cell therapy of spinal cord injury. Neural Regen. Res. 10, 1058–1060
(2015).

130.

Rodriguez, I. A., Growney Kalaf, E. A., Bowlin, G. L. & Sell, S. A. Platelet-rich plasma in
bone regeneration: Engineering the delivery for improved clinical efficacy. Biomed Res. Int.
2014, 1–15 (2014).

131.

Fernandes, G. & Yang, S. Application of platelet-rich plasma with stem cells in bone and
periodontal tissue engineering. Bone Res. 4, 1–21 (2016).

132.

Jose, R. R., Rodriguez, M. J., Dixon, T. A., Omenetto, F. & Kaplan, D. L. Evolution of
Bioinks and Additive Manufacturing Technologies for 3D Bioprinting. ACS Biomater. Sci.
Eng. 2, 1662–1678 (2016).

133.

Maitz, M. F. Applications of synthetic polymers in clinical medicine. Biosurface and
Biotribology 1, 161–176 (2015).

134.

Rotter, N. et al. Role for Interleukin 1a in the Inhibition of Chondrogenesis in Autologous
Implants Using Polyglycolic Acid–Polylactic Acid Scaffolds. Tissue Eng. 11, 192–200 (2005).

135.

Cao, Y., Vacanti, J. P., Paige, K. T., Upton, J. & Vacanti, C. A. Transplantation of
chondrocytes utilizing a polymer-cell construct to produce tissue-engineered cartilage in the
shape of a human ear. Plast. Reconstr. Surg. 100, 297–302 (1997).

136.

Hwang, C. M. et al. Auricular reconstruction using tissue-engineered alloplastic implants for
improved clinical outcomes. Plast. Reconstr. Surg. 133, 360–369 (2014).

137.

Adelöw, C., Segura, T., Hubbell, J. A. & Frey, P. The effect of enzymatically degradable
poly(ethylene glycol) hydrogels on smooth muscle cell phenotype. Biomaterials 29, 314–326
(2008).

138.

Raeber, G. P., Lutolf, M. P. & Hubbell, J. A. Mechanisms of 3-D migration and matrix
remodeling of fibroblasts within artificial ECMs. Acta Biomater. 3, 615–629 (2007).

139.

Reis, R. L. et al. Natural-based polymers for biomedical applications. (Woodhead publishing
limited, 2008).

140.

Culty, M., Nguyen, H. A. & Underhill, C. B. The hyaluronan receptor (CD44) participates in
the uptake and degradation of hyaluronan. J. Cell Biol. 116, 1055–1062 (1992).

141.

Murphy, S. V., Skardal, A. & Atala, A. Evaluation of hydrogels for bio-printing applications.
J. Biomed. Mater. Res. - Part A 101 A, 272–284 (2013).

142.

Malda, J. et al. 25th anniversary article: Engineering hydrogels for biofabrication. Adv. Mater.
25, 5011–5028 (2013).

143.

Annabi, N. et al. 25th anniversary article: Rational design and applications of hydrogels in
regenerative medicine. Adv. Mater. 26, 85–124 (2014).

153

144.

Auras, R., Lim, L.-T., Selke, S. E. M. & Tsuji, H. Poly(lactic acid): Synthesis, Structures,
Properties, Processing, and Applications. (John Wiley & Sons, 2010).

145.

Patrício, T., Domingos, M., Gloria, A. & Bártolo, P. Characterisation of PCL and PCL/PLA
scaffolds for tissue engineering. Procedia CIRP 5, 110–114 (2013).

146.

Domingos, M. et al. Polycaprolactone Scaffolds Fabricated via Bioextrusion for Tissue
Engineering Applications. Int. J. Biomater. 1, 1–9 (2009).

147.

Enjo, M., Terada, S., Uehara, M., Itani, Y. & Isogai, N. Usefulness of polyglycolic Acidpolypropylene composite scaffolds for three-dimensional cartilage regeneration in a largeanimal autograft model. Plast. Reconstr. Surg. 131, 335–342 (2013).

148.

Li, Y., Ma, T., Kniss, D., Lasky, L. & Yang, S. Effects of filtration seeding on cell density,
spatial distribution, and proliferation in nonwoven fibrous matrices. Biotechnol. Prog. 17,
935–944 (2001).

149.

Holy, C. E., Shoichet, M. S. & Davies, J. E. Engineering three-dimensional bone tissue in vitro
using biodegradable scaffolds: investigating initial cell-seeding density and culture period. J.
Biomed. Mater. Res. 51, 376–382 (2000).

150.

Martin, I., Wendt, D. & Heberer, M. The role of bioreactors in tissue engineering. Trends
Biotechnol. 22, 80–86 (2004).

151.

Lee, J.-S. et al. 3D printing of composite tissue with complex shape applied to ear
regeneration. Biofabrication 6, 1–12 (2014).

152.

Visser, J. et al. Biofabrication of multi-material anatomically shaped tissue constructs.
Biofabrication 5, 1–9 (2013).

153.

Sisson, A. L., Ekinci, D. & Lendlein, A. The contemporary role of ε-caprolactone chemistry to
create advanced polymer architectures. Polymer (Guildf). 54, 4333–4350 (2013).

154.

Boere, K. W. M. et al. Covalent attachment of a three-dimensionally printed thermoplast to a
gelatin hydrogel for mechanically enhanced cartilage constructs. Acta Biomater. 10, 2602–
2611 (2014).

155.

Boere, K. W. M. et al. Biofabrication of reinforced 3D-scaffolds using two-component
hydrogels. J. Mater. Chem. B 3, 9067–9078 (2015).

156.

Bryant, S. J., Nuttelman, C. R. & Anseth, K. S. Cytocompatibility of UV and visible light
photoinitiating systems on cultured NIH/3T3 fibroblasts in vitro. J. Biomater. Sci. Polym. Ed.
11, 439–457 (2000).

157.

Fairbanksa, B. D., Schwartza, M. P., Bowmana, C. N. & Kristi, A. S. Photoinitiated
polymerization of PEG-diacrylate with lithium phenyl-2,4,6-trimethylbenzoylphosphinate:
polymerization rate and cytocompatibility. Biomaterials 30, 6702–6707 (2009).

158.

Thiele, J., Ma, Y., Bruekers, S. M. C., Ma, S. & Huck, W. T. S. 25th Anniversary Article:
Designer Hydrogels for Cell Cultures: A Materials Selection Guide. Adv. Mater. 26, 125–148
(2014).

159.

Azuma, C. et al. Biodegradation of high-toughness double network hydrogels as potential
materials for artificial cartilag. J. Biomed. Mater. Res. Part A 81, 373–380 (2007).

160.

Jang, J. et al. Effects of alginate hydrogel cross-linking density on mechanical and biological
behaviors for tissue engineering. J. Mech. Behav. Biomed. Mater. 37, 69–77 (2014).

154

161.

Jia, J. et al. Engineering alginate as bioink for bioprinting. Acta Biomater. 10, 4323–4331
(2014).

162.

Park, J. S. et al. The Effect of Matrix Stiffness on the Differentiation of Mesenchymal Stem
Cells in Response to TGF-β. Biomaterials 32, 3921–3930 (2012).

163.

Wen, J. H. et al. Interplay of matrix stiffness and protein tethering in stem cell differentiation.
Nat. Mater. 13, 979–987 (2014).

164.

Browning, M. B., Cereceres, S. N., Luong, P. T. & Cosgriff-Hernandez, E. M. Determination
of the in vivo degradation mechanism of PEGDA hydrogels. J. Biomed. Mater. Res. - Part A
102, 4244–4251 (2014).

165.

Park, K. M., Ko, K. S., Joung, Y. K., Shin, H. & Park, K. D. In situ cross-linkable gelatin–
poly(ethylene glycol)–tyramine hydrogel via enzyme-mediated reaction for tissue regenerative
medicine. J. Mater. Chem. 21, 131–180 (2011).

166.

Raeber, G. P., Lutolf, M. P. & Hubbell, J. A. Molecularly engineered PEG hydrogels: a novel
model system for proteolytically mediated cell migration. Biophys. J. 89, 1374–1388 (2005).

167.

Blache, U. et al. Dual Role of Mesenchymal Stem Cells Allows for Microvascularized Bone
Tissue-Like Environments in PEG Hydrogels. Adv. Healthc. Mater. 5, 489–498 (2016).

168.

Caiazzo, M. et al. Defined three-dimensional microenvironments boost induction of
pluripotency. Nat. Mater. 15, 344–352 (2016).

169.

Turturro, M. V. et al. MMP-Sensitive PEG Diacrylate Hydrogels with Spatial Variations in
Matrix Properties Stimulate Directional Vascular Sprout Formation. PLoS One 8, 1–14 (2013).

170.

Jungst, T., Smolan, W., Schacht, K., Scheibel, T. & Groll, J. Strategies and Molecular Design
Criteria for 3D Printable Hydrogels. Chem. Rev. 116, 1496–1539 (2016).

171.

Fedorovich, N. E. et al. Evaluation of photocrosslinked lutrol hydrogel for tissue printing
applications. Biomacromolecules 10, 1689–1696 (2009).

172.

Huh, K. M., Baek, N. & Park, K. Enhanced Swelling Rate of Poly(ethylene glycol)-Grafted
Superporous Hydrogels. J. Bioact. Compat. Polym. 20, 231–243 (2005).

173.

Müller, M., Becher, J., Schnabelrauch, M. & Zenobi-Wong, M. Nanostructured Pluronic
hydrogels as bioinks for 3D bioprinting. Biofabrication 7, 1–17 (2015).

174.

Sun, J. & Tan, H. Alginate-Based Biomaterials for Regenerative Medicine Applications.
Materials (Basel). 6, 1285–1309 (2013).

175.

Ahearne, M. & Kelly, D. J. A comparison of fibrin, agarose and gellan gum hydrogels as
carriers of stem cells and growth factor delivery microspheres for cartilage regeneration.
Biomed. Mater. 8, 1–10 (2013).

176.

Bakarich, S., Balding, P., Gorkin, R., Spinks, G. M. & in het Panhuis, M. Printed ioniccovalent entanglement hydrogels from carrageenan and an epoxy amine. RSC Adv. 4, 38088–
38092 (2014).

177.

Martínez Ávila, H. et al. Biocompatibility evaluation of densified bacterial nanocellulose
hydrogel as an implant material for auricular cartilage regeneration. Appl. Microbiol.
Biotechnol. 98, 7423–7435 (2014).

178.

Wüst, S., Godla, M. E., Müller, R. & Hofmann, S. Tunable hydrogel composite with two-step
processing in combination with innovative hardware upgrade for cell-based three-dimensional
155

bioprinting. Acta Biomater. 10, 630–640 (2014).
179.

Tønnesen, H. H. & Karlsen, J. Alginate in drug delivery systems. Drug Dev. Ind. Pharm. 28,
621–630 (2002).

180.

DeSimone, E., Schacht, K., Jungst, T., Groll, J. & Scheibel, T. Biofabrication of 3D
constructs: fabrication technologies and spider silk proteins as bioinks. Pure Appl. Chem. 87,
737–749 (2015).

181.

Reimers, K., Liebsch, C., Radtke, C., Kuhbier, J. W. & Vogt, P. M. Silks as scaffolds for skin
reconstruction. Biotechnol. Bioeng. 112, 2201–2205 (2015).

182.

Radtke, C. et al. Spider silk constructs enhance axonal regeneration and remyelination in long
nerve defects in sheep. PLoS One 6, 1–10 (2011).

183.

Sterodimas, A. & de Faria, J. Human auricular tissue engineering in an immunocompetent
animal model. Aesthet. Surg. J. 33, 283–289 (2013).

184.

Muzzarelli, R. a a, Greco, F., Busilacchi, A., Sollazzo, V. & Gigante, A. Chitosan, hyaluronan
and chondroitin sulfate in tissue engineering for cartilage regeneration: a review. Carbohydr.
Polym. 89, 723–739 (2012).

185.

Visser, J. et al. Endochondral bone formation in gelatin methacrylamide hydrogel with
embedded cartilage-derived matrix particles. Biomaterials 37, 174–182 (2015).

186.

Xu, J.-W. et al. Tissue-Engineered Flexible Ear-Shaped Cartilage. Plast. Reconstr. Surg. 115,
1633–1641 (2005).

187.

Burdick, J. A. & Prestwich, G. D. Hyaluronic acid hydrogels for biomedical applications. Adv.
Mater. 23, 41–56 (2011).

188.

Badylak, S. F. & Gilbert, T. W. Immune response to biologic scaffold materials. Semin.
Immunol. 20, 109–116 (2008).

189.

Rehm, B. H. A. Bacterial polymers: biosynthesis, modifications and applications. Nat. Rev.
Microbiol. 8, 578–592 (2010).

190.

Giavasis, I., Harvey, L. M. & McNeil, B. Gellan Gum. Crit. Rev. Biotechnol. 20, 177–211
(2008).

191.

Bohner, M. & Baroud, G. Injectability of calcium phosphate pastes. Biomaterials 26, 1553–63
(2005).

192.

Duarte Campos, D. F. et al. Three-dimensional printing of stem cell-laden hydrogels
submerged in a hydrophobic high-density fluid. Biofabrication 5, 1–11 (2013).

193.

Bertassoni, L. E. et al. Hydrogel bioprinted microchannel networks for vascularization of
tissue engineering constructs. Lab Chip 14, 2202–2211 (2014).

194.

Lee, Y. K. & Mooney, D. J. Alginate : properties and biomedical applications. Prog Polym Sci.
37, 106–126 (2012).

195.

Muhonen, V. et al. Recombinant human type II collagen hydrogel provides a xeno-free 3D
micro-environment for chondrogenesis of human bone marrow-derived mesenchymal stromal
cells. J. Tissue Eng. Regen. Med. 11, 1–12 (2015).

196.

Janmey, P. A., Winer, J. P. & Weisel, J. W. Fibrin gels and their clinical and bioengineering
applications. J. R. Soc. Interface 6, 1–10 (2009).
156

197.

Schuurman, W. et al. Gelatin-methacrylamide hydrogels as potential biomaterials for
fabrication of tissue-engineered cartilage constructs. Macromol. Biosci. 13, 551–561 (2013).

198.

Hoch, E., Schuh, C., Hirth, T., Tovar, G. E. M. & Borchers, K. Stiff gelatin hydrogels can be
photo-chemically synthesized from low viscous gelatin solutions using molecularly
functionalized gelatin with a high degree of methacrylation. J. Mater. Sci. Mater. Med. 23,
2607–2617 (2012).

199.

Rehm, B. H. A. & Steinbhuchel, A. Alginates: Biology and applications. (Springer, 2009).

200.

Lee, Y. K. & Mooney, D. J. Alginate : properties and biomedical applications. Prog Polym Sci.
37, 106–126 (2013).

201.

Patel, S., Kasoju, N., Bora, U. & Goyal, A. Structural analysis and biomedical applications of
dextran produced by a new isolate Pediococcus pentosaceus screened from biodiversity hot
spot Assam. Bioresour. Technol. 101, 6852–6855 (2010).

202.

Oliveira, J. T. et al. Gellan gum: A new biomaterial for cartilage tissue engineering
applications. J. Biomed. Mater. Res. Part A 93A, 852–863 (2010).

203.

Osmałek, T., Froelich, A. & Tasarek, S. Application of gellan gum in pharmacy and medicine.
Int. J. Pharm. 466, 328–340 (2014).

204.

Kuo, C. K. & Ma, P. X. Ionically crosslinked alginate hydrogels as scaffolds for tissue
engineering: Part 1. Structure, gelation rate and mechanical properties. Biomaterials 22, 511–
521 (2001).

205.

Chung, J. H. Y. et al. Bio-ink properties and printability for extrusion printing living cells.
Biomater. Sci. 1, 763–773 (2013).

206.

Wong, M., Siegrist, M., Wang, X. & Hunziker, E. Development of mechanically stable
alginate/chondrocyte constructs: effects of guluronic acid content and matrix synthesis. J.
Orthop. Res. 19, 493–499 (2001).

207.

Kuo, C. K. & Ma, P. X. Maintaining dimensions and mechanical properties of ionically
crosslinked alginate hydrogel scaffolds in vitro. J. Biomed. Mater. Res. - Part A 84, 899–907
(2008).

208.

Verma, A. & Pandit, J. K. Comparative evaluation of Ca ++ and Zn ++ cross-linked gellan
gum based floating beads. 65, 75–84 (2012).

209.

Mørch, Y. A., Donati, I., Strand, B. L. & Skjak-Braek, G. Effect of Ca2+, Ba2+, and Sr2+ on
Alginate Microbeads. Biomacromolecules 7, 1471–1480 (2006).

210.

Kesti, M., Fisch, P., Pensalfini, M., Mazza, E. & Zenobi-Wong, M. Guidelines for
standardization of bioprinting: a systematic study of process parameters and their effect on
bioprinted structures. BioNanoMaterials 17, 193–204 (2016).

211.

Klouda, L. & Mikos, A. G. Thermoresponsive hydrogels in biomedical applications. Eur. J.
Pharm. Biopharm. 68, 34–45 (2008).

212.

Muramatsu, K., Ide, M. & Miyawaki, F. Biological Evaluation of Tissue-Engineered Cartilage
Using Thermoresponsive Poly ( N -isopropylacrylamide ) -Grafted Hyaluronan. 2012, 1–9
(2012).

213.

Peroglio, M. et al. Injectable thermoreversible hyaluronan-based hydrogels for nucleus
pulposus cell encapsulation. Eur. spine J. 21, S839-849 (2012).

157

214.

Schuurman, W. et al. Gelatin-methacrylamide hydrogels as potential biomaterials for
fabrication of tissue-engineered cartilage constructs. Macromol. Biosci. 13, 551–561 (2013).

215.

Mouser, V. H. M. et al. Yield stress determines bioprintability of hydrogels based on gelatinmethacryloyl and gellan gum for cartilage bioprinting. Biofabrication 8, 1–13 (2016).

216.

de Vries-van Melle, M. et al. Chondrogenic differentiation of human bone marrow-derived
mesenchymal stem cells in a simulated osteochondral environment is hydrogel dependent. Eur.
cells Mater. 27, 112–123 (2014).

217.

Kesti, M. et al. A versatile bioink for 3D printing of cellular scaffolds based on thermally and
photo-triggered tandem gelation. Acta Biomater. 11, 162–172 (2015).

218.

Kesti, M. et al. A versatile bioink for three-dimensional printing of cellular scaffolds based on
thermally and photo-triggered tandem gelation. Acta Biomater. 11, 162–172 (2015).

219.

Rowland, C. R., Lennon, D. P., Caplan, A. I. & Guilak, F. The effects of crosslinking of
scaffolds engineered from cartilage ECM on the chondrogenic differentiation of MSCs.
Biomaterials 34, 5802–5812 (2013).

220.

Billiet, T., Gevaert, E., De Schryver, T., Cornelissen, M. & Dubruel, P. The 3D printing of
gelatin methacrylamide cell-laden tissue-engineered constructs with high cell viability.
Biomaterials 35, 49–62 (2014).

221.

Coutinho, D. F. et al. Modified Gellan Gum hydrogels with tunable physical and mechanical
properties. Biomaterials 31, 7494–7502 (2010).

222.

Xu, K. et al. Enzyme-mediated hyaluronic acid-tyramine hydrogels for the propagation of
human embryonic stem cells in 3D. Acta Biomater. 24, 159–171 (2015).

223.

Millan, C., Cavalli, E., Groth, T., Maniura-Weber, K. & Zenobi-Wong, M. Engineered
Microtissues Formed by Schiff Base Crosslinking Restore the Chondrogenic Potential of Aged
Mesenchymal Stem Cells. Adv. Healthc. Mater. 4, 1348–1358 (2015).

224.

Tan, H., Rubin, P. J. & Marra, K. G. Injectable in situ forming biodegradable chitosan –
hyaluronic acid based hydrogels for cartilage tissue engineering. Organogenesis 6, 173–180
(2010).

225.

Zhang, Z. et al. Synthesis of Poly(ethylene glycol)-based hydrogels via amine-Michael type
addition with tunable stiffness and postgelation chemical functionality. Chem. Mater. 26,
3624–3630 (2014).

226.

Liu, Z. Q. et al. Dextran-based hydrogel formed by thiol-Michael addition reaction for 3D cell
encapsulation. Colloids Surfaces B Biointerfaces 128, 140–148 (2015).

227.

Pereira, R. F. & Bártolo, P. J. 3D bioprinting of photocrosslinkable hydrogel constructs. J.
Appl. Polym. Sci. 132, 1–15 (2015).

228.

Skardal, A. et al. Photocrosslinkable hyaluronan-Gelatin hydrogels for two-step bioprinting.
Tissue Eng. Part A 16, 2675–2685 (2010).

229.

Williams, C. G., Malik, A. N., Kim, T. K., Manson, P. N. & Elisseeff, J. H. Variable
cytocompatibility of six cell lines with photoinitiators used for polymerizing hydrogels and
cell encapsulation. Biomaterials 26, 1211–1218 (2005).

230.

Zimmermann, U. et al. Hydrogel-based non-autologous cell and tissue therapy. Biotechniques
29, 564–581 (2000).

158

231.

Queen, D., Orsted, H., Sanada, H. & Sussman, G. A dressing history. Int. Wound J. 1, 59–77
(2004).

232.

Zhou, L. et al. Engineering Ear Constructs with a Composite Scaffold to Maintain
Dimensions. Tissue Eng. Part a 17, 1573–1581 (2011).

233.

Ruszymah, B. H. I. et al. Pediatric auricular chondrocytes gene expression analysis in
monolayer culture and engineered elastic cartilage. Int. J. Pediatr. Otorhinolaryngol. 71,
1225–1234 (2007).

234.

Kamil, S. H., Vacanti, M. P., Vacanti, C. a & Eavey, R. D. Microtia chondrocytes as a donor
source for tissue-engineered cartilage. Laryngoscope 114, 2187–2190 (2004).

235.

Kolesky, D. B., Homan, K. A., Skylar-Scott, M. A. & Lewis, J. A. Three-dimensional
bioprinting of thick vascularized tissues. PNAS 113, 3179–3184 (2016).

236.

Melchels, F. P. W. et al. Hydrogel-based reinforcement of 3D bioprinted constructs.
Biofabrication 8, 1–9 (2016).

237.

Marple, B. R. & Boulanger, J. Graded Casting of Materials with Continuous Gradients. J. Am.
Ceram. Soc. 77, 2747–2750 (1994).

238.

Pomerantseva, I. et al. Ear-Shaped Stable Auricular Cartilage Engineered from Extensively
Expanded Chondrocytes in an Immunocompetent Experimental Animal Model. Tissue Eng.
Part A 22, 197–207 (2015).

239.

Nimeskern, L. et al. Mechanical evaluation of bacterial nanocellulose as an implant material
for ear cartilage replacement. J. Mech. Behav. Biomed. Mater. 22, 12–21 (2013).

240.

Liu, Y. et al. In vitro engineering of human ear-shaped cartilage assisted with CAD/CAM
technology. Biomaterials 31, 2176–2183 (2010).

241.

Pereira, D. R. et al. Development of Gellan Gum-Based Microparticles/Hydrogel Matrices for
Application in the Intervertebral Disc Regeneration. Tissue Eng. Part C 17, 961–972 (2011).

242.

Brenner, J. M. et al. Development of large engineered cartilage constructs from a small
population of cells. Biotechnol. Prog. 29, 213–221 (2013).

243.

Herholz, P., Matusik, W. & Alexa, M. Approximating Free-form Geometry with Height Fields
for Manufacturing. Comput. Graph. Forum 34, 239–251 (2015).

244.

Khardekar, R., Burton, G. & McMains, S. Finding feasible mold parting directions using
graphics hardware. CAD Comput. Aided Des. 38, 327–341 (2006).

245.

Mironov, V., Reis, N. & Derby, B. Bioprinting : A Beginning. Tissue Eng. 12, 631–634
(2006).

246.

Boland, T., Xu, T., Damon, B. & Cui, X. Application of inkjet printing to tissue engineering.
Biotechnol. J. 1, 910–917 (2006).

247.

Xu, T., Jin, J., Gregory, C., Hickman, J. & Boland, T. Inkjet printing of viable mammalian
cells. Biomaterials 26, 93–99 (2005).

248.

Gao, G., Yonezawa, T., Hubbell, K., Dai, G. & Cui, X. Inkjet-bioprinted acrylated peptides
and PEG hydrogel with human mesenchymal stem cells promote robust bone and cartilage
formation with minimal printhead clogging. Biotechnol. J. 10, 1568–1577 (2015).

249.

Müller, M., Ozturk, E., Arlov, O., Gatenholm, P. & Zenobi-Wong, M. Alginate sulfate159

nanocellulose bioinks for cartilage bioprinting applications. Ann. Biomed. Eng. 45, 210–223
(2016).
250.

Aguado, B., Mulyasasmita, W., Su, J., Lampe, K. & Heilshorn, S. Improving Viability of Stem
Cells During Syringe Needle Flow Through the Design of Hydrogel Cell Carriers. Tissue Eng.
Part A 18, 806–815 (2012).

251.

Pataky, K. et al. Microdrop printing of hydrogel bioinks into 3D tissue-like geometries. Adv.
Mater. 24, 391–396 (2012).

252.

Binder, K. W. In situ bioprinting of the skin. (Wake forest university, 2011).

253.

Deng, Y., Renaud, P., Guo, Z., Huang, Z. & Chen, Y. Single cell isolation process with laser
induced forward transfer. J. Biol. Eng. 11, 1–13 (2017).

254.

Koch, L., Gruene, M. & Chichkov, B. Laser assisted cell printing. Curr. pharm biotechnol 14,
91–97 (2013).

255.

Xu, T., Baicu, C., Aho, M., Zile, M. & Boland, T. Fabrication and characterization of bioengineered cardiac pseudo tissues. Biofabrication 1, 1–6 (2009).

256.

Xu, T. et al. Hybrid printing of mechanically and biologically improved constructs for
cartilage tissue engineering applications. Biofabrication 5, 1–10 (2013).

257.

Melchels, F. P. W., Dhert, W. J. a., Hutmacher, D. W. & Malda, J. Development and
characterisation of a new bioink for additive tissue manufacturing. J. Mater. Chem. B 2, 2282–
2289 (2014).

258.

Lozano, R. et al. 3D printing of layered brain-like structures using peptide modified gellan
gum substrates. Biomaterials 67, 264–273 (2015).

259.

Martínez, H., Schwarz, S., Rotter, N. & Gatenholm, P. Bioprinting 3D bioprinting of human
chondrocyte-laden nanocellulose hydrogels for patient-speci fi c auricular cartilage
regeneration. 2, 22–35 (2016).

260.

Hinton, T. J. et al. Three-dimensional printing of complex biological structures by freeform
reversible embedding of suspended hydrogels. Sci. Adv. 1, 1–10 (2015).

261.

Hockaday, L. a et al. Rapid 3D printing of anatomically accurate and mechanically
heterogeneous aortic valve hydrogel scaffolds. Biofabrication 4, 1–12 (2012).

262.

Kolesky, D. B. et al. 3D bioprinting of vascularized, heterogeneous cell-laden tissue
constructs. Adv. Mater. 26, 3124–30 (2014).

263.

Itoh, M. et al. Scaffold-free tubular tissues created by a bio-3D printer undergo remodeling
and endothelialization when implanted in rat aortae. PLoS One 10, 1–15 (2015).

264.

Khalil, S. & Sun, W. Bioprinting Endothelial Cells With Alginate for 3D Tissue Constructs. J.
Biomech. Eng. 131, 1–8 (2009).

265.

Pati, F. et al. Printing three-dimensional tissue analogues with decellularized extracellular
matrix bioink. Nat. Commun. 5, 1–11 (2014).

266.

Markstedt, K. et al. 3D Bioprinting Human Chondrocytes with Nanocellulose–Alginate Bioink
for Cartilage Tissue Engineering Applications. Biomacromolecules 16, 1489–1496 (2015).

267.

Mezger, T. G. The rheology handbook. (Vincentz Network GmbH & Co. KG, 2014).

268.

Maher, P. S., Keatch, R. P., Donnelly, K., Mackay, R. E. & Paxton, J. Z. Construction of 3D
160

biological matrices using rapid prototyping technology. Rapid Prototyp. J. 15, 204–210
(2009).
269.

DeForest, C. A. & Anseth, K. S. Advances in bioactive hydrogels to probe and direct cell fate.
Annu. Rev. Chem. Biomol. Eng. 3, 421–44 (2012).

270.

Kuo, C. K. & Ma, P. X. Ionically crosslinked alginate hydrogels as scaffolds for tissue
engineering: Part 1. Structure, gelation rate and mechanical properties. Biomaterials 22, 511–
521 (2001).

271.

Mueller, J., Shea, K. & Daraio, C. Mechanical properties of parts fabricated with inkjet 3D
printing through efficient experimental design. Mater. Des. 86, 902–912 (2015).

272.

Chhaya, M. P. et al. Additive manufacturing in biomedical sciences and the need for
definitions and norms. Expert Rev Med Devices 12, 537–543 (2015).

273.

Jessop, Z. M. et al. Combining regenerative medicine strategies to provide durable
reconstructive options : auricular cartilage tissue engineering. Stem Cell Res. Ther. 7, 1–12
(2016).

274.

Otto, I. a et al. Auricular reconstruction using biofabrication-based tissue engineering
strategies. Biofabrication 7, 1–12 (2015).

275.

Bichara, D. A. et al. The Tissue-Engineered Auricle: Past, Present, and Future. Tissue Eng.
Part B Rev. 18, 51–61 (2012).

276.

Patel, K. H., Nayyer, L. & Seifalian, A. M. Chondrogenic potential of bone marrow-derived
mesenchymal stem cells on a novel, auricular-shaped, nanocomposite scaffold. J. Tissue Eng.
4, 1–11 (2013).

277.

Zhang, L. et al. Regeneration of human-ear-shaped cartilage by co-culturing human microtia
chondrocytes with BMSCs. Biomaterials 35, 4878–4887 (2014).

278.

Ishak, M. F. bin et al. The formation of human auricular cartilage from microtic tissue: An in
vivo study. Int. J. Pediatr. Otorhinolaryngol. 79, 1634–1639 (2015).

279.

Melgarejo-Ramírez, Y. et al. Characterization of pediatric microtia cartilage: a reservoir of
chondrocytes for auricular reconstruction using tissue engineering strategies. Cell Tissue Bank.
17, 481–489 (2016).

280.

Saim, A. B. et al. Engineering Autogenous Cartilage in the Shape of a Helix Using an
Injectable Hydrogel Scaffold. Laryngoscope 110, 1694–1697 (2000).

281.

Xue, J. et al. Engineering ear-shaped cartilage using electrospun fibrous membranes of
gelatin/polycaprolactone. Biomaterials 34, 2624–2631 (2013).

282.

Cervantes, T. M. et al. Design of composite scaffolds and three-dimensional shape analysis for
tissue-engineered ear. J. R. Soc. Interface 10, 1–9 (2013).

283.

Shieh, S. J., Terada, S. & Vacanti, J. P. Tissue engineering auricular reconstruction: In vitro
and in vivo studies. Biomaterials 25, 1545–1557 (2004).

284.

Nayyer, L., Jell, G., Esmaeili, A., Birchall, M. & Seifalian, A. M. A Biodesigned
Nanocomposite Biomaterial for Auricular Cartilage Reconstruction. Adv. Healthc. Mater. 5,
1203–1212 (2016).

285.

Mannoor, M. S. et al. 3D Printed Bionic Ears. Nano Lett. 13, 2634–2639 (2013).

161

286.

Park, H. S., Choi, H. J., Kim, M. D. & Kim, K. H. Addition of ethanol to supercritical carbon
dioxide enhances the inactivation of bacterial spores in the biofilm of Bacillus cereus. Int. J.
Food Microbiol. 166, 207–212 (2013).

287.

Christophel, J. J., Chang, J. S. & Park, S. S. Transplanted tissue-engineered cartilage. Arch.
Facial Plast. Surg. 8, 117–122 (2006).

288.

Haisch, A., Kläring, S., Gröger, A., Gebert, C. & Sittinger, M. A tissue-engineering model for
the manufacture of auricular-shaped cartilage implants. Eur. Arch. oto-rhino-laryngology 259,
316–321 (2002).

289.

Kusuhara, H. et al. Tissue engineering a model for the human ear: Assessment of size, shape,
morphology, and gene expression following seeding of different chondrocytes. Wound Repair
Regen. 17, 136–146 (2009).

290.

Xu, J.-W. et al. Producing a flexible tissue engineered cartilage framework using expanded
polytetrafluoroethylene membrane as a pseudoperichondrium. Plast. Reconstr. Surg. 116, 577–
589 (2005).

291.

Kamil, S. H. et al. Tissue Engineering of a Human Sized And Shaped Auricle Using a Mold.
Laryngoscope 114, 867–870 (2004).

292.

Kamil, S. H. et al. Normal features of tissue-engineered auricular cartilage by flowcytometry
and histology. Otolaryngol head neck Surg. 129, 390–396 (2003).

293.

Hofman, P., Van Riswick, J. & Van Opstal, A. Relearning sound localization with new ears.
Nat. Neurosci. 1, 417–421 (1998).

294.

Jin, C. T. et al. Creating the sydney york morphological and acoustic recordings of ears
database. IEEE Trans. Multimed. 16, 37–46 (2014).

295.

Claes, P. et al. An investigation of matching symmetry in the human pinnae with possible
implications for 3D ear recognition and sound localization. J. Anat. 226, 60–72 (2015).

296.

Roos, E. M. Joint injury causes knee osteoarthritis in young adults. Curr Opin Rheumatol 17,
195–200 (2005).

297.

Krych, A., Harnly, H., Rodeo, S. & Williams, R. 3rd. Activity levels are higher after
osteochondral autograft transfer mosaicplasty than after microfracture for articular cartilage
defects of the knee: a retrospective comparative study. J Bone Jt. Surg Am 94, 971–978
(2012).

298.

Hangody, L. et al. Clinical experiences with autologous osteochondral mosaicplasty in an
athletic population: a 17-year prospective multicenter study. Am. J. Sports Med. 38, 1125–
1133 (2010).

299.

Chen, F., Rousche, K. & Tuan, R. Technology insight: adult stem cells in cartilage
regeneration and tissue engineering. Nat. Clin. Pract. Rheumatol. 2, 373–382 (2006).

300.

Klein, T. et al. Longterm effects of hydrogel properties on human chondrocyte behavior. Soft
Matter 6, 5175–5183 (2010).

301.

Mhanna, R. et al. Chondrocyte culture in three dimensional alginate sulfate hydrogels
promotes proliferation while maintaining expression of chondrogenic markers. Tissue Eng.
Part A 20, 1454–1464 (2014).

302.

Yan, L.-P. et al. Macro/microporous silk fibroin scaffolds with potential for articular cartilage
and meniscus tissue engineering applications. Acta Biomater. 8, 289–301 (2012).
162

303.

Khalil, S. & Sun, W. Bioprinting endothelial cells with alginate for 3D tissue constructs. J.
Biomech. Eng. 131, 1–8 (2009).

304.

Spiller, K. et al. A novel method for the direct fabrication of growth factor-loaded
microspheres within porous nondegradable hydrogels: controlled release for cartilage tissue
engineering. J. Control. release 157, 39–45 (2012).

305.

Mhanna, R. et al. GFOGER-modified MMP-sensitive polyethylene glycol hydrogels induce
chondrogenic differentiation of human mesenchymal stem cells. Tissue Eng. Part A 20, 1164–
1174 (2014).

306.

Jakab, K., Neagu, A., Mironov, V. & Forgacs, G. Organ printing: fiction or science.
Biorheology 41, 371–375 (2004).

307.

Hoch, E., Hirth, T., Tovar, G. & Borchers, K. Chemical tailoring of gelatin to adjust its
chemical and physical properties for functional bioprinting. J. Mater. Chem. B 1, 5675–5685
(2013).

308.

Pescosolido, L. et al. In situ forming IPN hydrogels of calcium alginate and dextran-HEMA
for biomedical applications. Acta Biomater. 7, 1627–1633 (2011).

309.

Müller, M., Becher, J., Schnabelrauch, M. & Zenobi-Wong, M. Printing thermoresponsive
reverse molds for the creation of patterned two-component hydrogels for 3D cell culture. J.
Vis. Exp. 99, 50–63 (2013).

310.

Li, S., Yan, Y., Xiong, Z., Weng, C. & Zhang, R. Gradient Hydrogel Construct Based on an
Improved Cell Assembling System. J. Bioact. Compat. Polym. 24, 84–99 (2009).

311.

Chung, C. & Burdick, J. Influence of three-dimensional hyaluronic acid microenvironments on
mesenchymal stem cell chondrogenesis. Tissue Eng. Part A 15, 243–254 (2009).

312.

Wang, D.-A. et al. Multifunctional chondroitin sulphate for cartilage tissue–biomaterial
integration. Nat. Mater. 6, 385–392 (2007).

313.

Kim, I., Mauck, R. & Burdick, J. Hydrogel design for cartilage tissue engineering: a case study
with hyaluronic acid. Biomaterials 32, 8771–8782 (2011).

314.

Levett, P. a. et al. A biomimetic extracellular matrix for cartilage tissue engineering centered
on photocurable gelatin, hyaluronic acid and chondroitin sulfate. Acta Biomater. 10, 214–223
(2014).

315.

Kataoka, Y. et al. Mechanisms involved in suppression of ADAMTS4 expression in
synoviocytes by high molecular weight hyaluronic acid. Biochem. Biophys. Res. Commun.
432, 580–585 (2013).

316.

Jomphe, C. et al. Chondroitin sulfate inhibits the nuclear translocation of nuclear factor-kappa
B in interleukin-1 beta-stimulated chondrocytes. Basic Clin. Pharmacol. Toxicol. 102, 59–65
(2008).

317.

Iovu, M., Dumais, G. & du Souich, P. Anti-inflammatory activity of chondroitin sulfate.
Osteoarthr. Cartil. 16, S14-18 (2008).

318.

Hanson, S. et al. The effect of mesenchymal stromal cell-hyaluronic acid hydrogel constructs
on immunophenotype of macrophages. Osteoarthr. Cartil. 17, 2463–2471 (2011).

319.

Peroglio, M., Eglin, D., Benneker, L., Alini, M. & Grad, S. Thermoreversible hyaluronanbased hydrogel supports in vitro and ex vivo disc-like differentiation of human mesenchymal
stem cells. Spine J. 13, 1627–1639 (2013).
163

320.

Mortisen, D., Peroglio, M., Alini, M. & Eglin, D. Tailoring thermoreversible hyaluronan
hydrogels by ‘“click”’ chemistry and RAFT polymerization for cell and drug therapy.
Biomacromolecules 11, 1261–1272 (2010).

321.

D’Este, M., Alini, M. & Eglin, D. Single step synthesis and characterization of
thermoresponsive hyaluronan hydrogels. Carbohydr. Polym. 90, 1378–1385 (2012).

322.

Chiantore, O., Guaita, M. & Trossarelli, L. Solution properties of poly(Nisopropylacrylamide).
Makromol. Chemie 180, 969–973 (1979).

323.

Hauselmann, H. et al. Phenotypic stability of bovine articular chondrocytes after long-term
culture in alginate beads. J. Cell Sci. 107, 17–27 (1994).

324.

Cellesi, F., Tirelli, N. & Hubbell, J. Materials for cell encapsulation via a new tandem
approach combining reverse thermal gelation and covalent crosslinking. Macromol. Chem.
Phys. 203, 1466–1472 (2002).

325.

Larson, R. The structure and rheology of complex fluids. (Oxford University Press, 1999).

326.

Yoo, H. Photo-cross-linkable and thermo-responsive hydrogels containing chitosan and
Pluronic for sustained release of human growth hormone (hGH). J. Biomater. Sci. Polym. Ed.
18, 1429–1441 (2007).

327.

Van Durme, K., Rahier, H. & Van Mele, B. Influence of additives on the thermoresponsive
behavior of polymers in aqueous solution. Macromolecules 38, 10155–10163 (2005).

328.

Hofmeister, F. Zur Lehre von der Wirkung der Salze. Arch Exp Pathol Pharmakol 24, 247–
260 (1888).

329.

Zhang, Y., Furyk, S., Bergbreiter, D. & Cremer, P. Specific ion effects on the water solubility
of macromolecules: PNIPAM and the Hofmeister series. J. Am. Chem. Soc. 127, 14505–14510
(2005).

330.

Gigante, A., Bevilacqua, C., Zara, C., Travasi, M. & Chillemi, C. Autologous chondrocyte
implantation: cells phenotype and proliferation analysis. Knee Surg Sport. Traumatol Arthrosc
9, 254–258 (2001).

331.

Tous, E. et al. Influence of injectable hyaluronic acid hydrogel degradation behavior on
infarctioninduced ventricular remodeling. Biomacromolecules 12, 4127–4135 (2011).

332.

Burdick, J., Chung, C., Jia, X., Randolph, M. & Langer, R. Controlled degradation and
mechanical behavior of photopolymerized hyaluronic acid networks. Biomacromolecules 6,
386–391 (2005).

333.

Seliktar, D. Designing Cell-Compatible Hydrogels for Biomedical Applications. Science (80-.
). 336, 1124–1128 (2012).

334.

Billiet, T. et al. Quantitative contrasts in the photopolymerization of acrylamide and
methacrylamide-functionalized gelatin hydrogel building blocks. Macromol. Biosci. 13, 1531–
1545 (2013).

335.

Badylak, S. F., Freytes, D. O. & Gilbert, T. W. Extracellular matrix as a biological scaffold
material: Structure and function. Acta Biomater. 5, 1–13 (2009).

336.

Volpato, F. Z., Führmann, T., Migliaresi, C., Hutmacher, D. W. & Dalton, P. D. Using
extracellular matrix for regenerative medicine in the spinal cord. Biomaterials 34, 4945–4955
(2013).

164

337.

Abrams, G. D., Mall, N. a., Fortier, L. a., Roller, B. L. & Cole, B. J. BioCartilage: Background
and Operative Technique. Oper. Tech. Sports Med. 21, 116–124 (2013).

338.

Desai, S. Surgical Treatment of a Tibial Osteochondral Defect With Debridement, Marrow
Stimulation, and Micronized Allograft Cartilage Matrix-An All-Arthroscopic Technique: A
Case Report. J. foot ankle Surg. 14, 1–4 (2014).

339.

Chuck, N. C., Zouraq, F. A., Rottmar, M., Eberli, D. & Boss, A. MR Imaging Relaxometry
Allows Noninvasive Characterization of in Vivo Differentiation of Muscle. Radiology 274,
800–809 (2015).

340.

Kotecha, M., Klatt, D. & Magin, R. L. Monitoring cartilage tissue engineering using magnetic
resonance spectroscopy, imaging, and elastography. Tissue Eng. Part B 19, 470–484 (2013).

341.

Grasdalen, H. & Smidsrød, O. Gelation of gellan gum. Carbohydr. Polym. 7, 371–393 (1987).

342.

Crescenzi, V. & Dentini, M. The influence of side-chains on the dilute-solution properties of
three structurally related, bacterial anionic polysaccharides. Carbohydr. Res. 160, 283–302
(1987).

343.

Dentini, M., Coviello, T., Burchard, W. & Crescenzi, V. Solution properties of exocellular
microbial polysaccharides. 3. Light scattering from gellan and from the exocellular
polysaccharide of Rhizobium trifolii (strain TA-1) in the ordered state. Macromolecules 21,
3312–3320 (1988).

344.

Crescenzi, V., Dentini, M., Coviello, T. & Rizzo, R. Comparative analysis of the behavior of
gellan gum (S-60) and welan gum (S-130) in dilute aqueous solution. Carbohydr. Res. 149,
425–432 (1986).

345.

Haug, A. & Smidsrød, O. Determination of intrinsic viscosity of alginates. Acta Chem. Scand
16, 1569–1578 (1962).

346.

Haug, A., Larsen, B. & Smidsrød, O. A Study of the Constitution of Alginic Acid by partial
acid hydrolysis. Acta Chem. Scand 20, 183–190 (1966).

347.

Haug, A. & Smidsrød, O. Selectivity of Some Anionic Polymers for Divalent Metal Ions. Acta
Chem. Scand 24, 843–854 (1970).

348.

Kim, I.-S., Lee, M.-Y., Lee, K.-I., Kim, H.-Y. & Chung, Y.-J. Analysis of the Development of
the Nasal Septum according to Age and Gender Using MRI. Clin. Exp. Otorhinolaryngol. 1,
29–34 (2008).

349.

Renaud, G., Périé, D., Gilbert, G., Beaudoin, G. & Curnier, D. Assessment of mechanical
properties of isolated bovine intervertebral discs from multi-parametric magnetic resonance
imaging. BMC Musculoskelet. Disord. 7, 593–603 (2014).

350.

Nissi, M. J. et al. Estimation of mechanical properties of articular cartilage with MRI dGEMRIC, T2 and T1 imaging in different species with variable stages of maturation.
Osteoarthr. Cartil. 15, 1141–1148 (2007).

351.

Reiffel, A. J. et al. High-Fidelity Tissue Engineering of Patient-Specific Auricles for
Reconstruction of Pediatric Microtia and Other Auricular Deformities. PLoS One 8, 1–8
(2013).

352.

Nimeskern, L. et al. Magnetic Resonance Imaging of the Ear for Patient-Specific
Reconstructive Surgery. PLoS One 9, 1–7 (2014).

353.

Cole, W. BioCartilage Use in the 1st MPJ. Surg. Pod. 135–138 (2013).
165

354.

Jansen, L. A., De Caigny, P., Guay, N., Lineaweaver, W. & Shokrollahi, K. The Evidence
Base for the Acellular Dermal Matrix AlloDerm: A Systematic Review. Ann. Plast. Surg. 70,
587–594 (2013).

355.

Reyzelman, A. et al. Clinical effectiveness of an acellular dermal regenerative tissue matrix
compared to standard wound management in healing diabetic foot ulcers: A prospective,
randomised, multicentre study. Int. Wound J. 6, 196–208 (2009).

356.

Litwiniuk, M. & Grzela, T. Amniotic membrane: New concepts for an old dressing. Wound
Repair Regen. 22, 451–456 (2014).

357.

Yoo, G. & Lim, J. S. Tissue engineering of injectable soft tissue filler: Using adipose stem
cells and micronized acellular dermal matrix. J. Korean Med. Sci. 24, 104–109 (2009).

358.

Carpenter, E. M., Llamas, C., Buck, B. E. & Malinin, T. I. Induction of neural tissue markers
by micronized human spinal cord implants. J. Neurosci. Res. 93, 495–503 (2015).

359.

Zhou, Y. et al. Expansion and Delivery of Adipose-Derived Mesenchymal Stem Cells on
Three Microcarriers for Soft Tissue Regeneration. Tissue Eng. Part A 17, 2981–2997 (2011).

360.

Miyoshi, E., Takaya, T. & Katsuyoshi, N. Rheological and thermal studies of gel-sol transition
in gellan gum aqueous solutions. Carbohydr. Polym. 30, 109–119 (1996).

361.

Henrotin, Y. et al. Strontium ranelate increases cartilage matrix formation. J. bone Miner. Res.
16, 299–308 (2001).

362.

Reginster, J.-Y. et al. Efficacy and safety of strontium ranelate in the treatment of knee
osteoarthritis: results of a double-blind, randomised placebo-controlled trial. Ann. Rheum. Dis.
72, 179–186 (2013).

363.

Urban, J. P. & Bayliss, M. T. Regulation of proteoglycan synthesis rate in cartilage in vitro:
influence of extracellular ionic composition. Biochim. Biophys. Acta 992, 59–65 (1989).

364.

Urban, J. P. G., Hall, A. C. & Gehl, K. A. Regulation of Matrix Synthesis Rates by the Ionic
and Osmotic Environment of Articular Chondrocytes. J. Cell. Physiol. 154, 262–270 (1993).

365.

McKee, C. T., Last, J. A., Russell, P. & Murphy, C. J. Indentation versus tensile measurements
of Young’s modulus for soft biological tissues. Tissue Eng. Part B 17, 155–164 (2011).

366.

Akizuki, S. et al. Tensile properties of human knee joint cartilage: I. Influence of ionic
conditions, weight bearing, and fibrillation on the tensile modulus. J. Orthop. Res. 4, 379–392
(1986).

367.

Charlebois, M., McKee, M. D. & Buschmann, M. D. Nonlinear tensile properties of bovine
articular cartilage and their variation with age and depth. J. Biomech. Eng. 126, 129–137
(2004).

368.

Kizhner, V. & Barak, A. Framework changes using costal cartilage for microtia reconstruction.
Arch. Otolaryngol. Head. Neck Surg. 134, 768–770 (2008).

369.

Hudalla, G. A., Eng, T. S. & Murphy, W. L. An approach to modulate degradation and
mesenchymal stem cell behavior in poly(ethylene glycol) networks. Biomacromolecules 9,
842–849 (2008).

370.

Andrianov, I. V., Danishevs’kyy, V. V. & Weichert, D. Analytical study of the load transfer in
fibre-reinforced 2D composite materials. Int. J. Solids Struct. 45, 1217–1243 (2008).

371.

Bakarich, S., Gorkin, R., In Het Panhuis, M. & Spinks, G. M. Three-dimensional printing fiber
166

reinforced hydrogel composites. ACS Appl. Mater. Interfaces 6, 15998–16006 (2014).
372.

Schuurman, W. et al. Bioprinting of hybrid tissue constructs with tailorable mechanical
properties. Biofabrication 3, 1–7 (2011).

373.

Lee, C. H. et al. Protein-releasing polymeric scaffolds induce fibrochondrocytic differentiation
of endogenous cells for knee meniscus regeneration in sheep. Sci. Transl. Med. 6, 1–11 (2014).

374.

Hochleitner, G. et al. Additive manufacturing of scaffolds with sub-micron filaments via melt
electrospinning writing. Biofabrication 7, 1–10 (2015).

375.

Visser, J. et al. Reinforcement of hydrogels using three-dimensionally printed microfibres.
Nat. Commun. 6, 1–10 (2015).

376.

Eshraghi, S. & Das, S. Mechanical and microstructural properties of polycaprolactone
scaffolds with 1-D, 2-D and 3-D orthogonally oriented porous architectures produced by
selective laser sintering. Acta Biomater. 6, 2467–2476 (2010).

377.

Nayyer, L., Birchall, M., Seifalian, A. M. & Jell, G. Design and development of
nanocomposite scaffolds for auricular reconstruction. Nanomedicine 10, 235–246 (2014).

378.

Hong, S. et al. 3D Printing of Highly Stretchable and Tough Hydrogels into Complex,
Cellularized Structures. Adv. Mater. 27, 4035–4040 (2015).

379.

Naumann, A. et al. Immunochemical and Mechanical Characterization of Cartilage Subtypes
in Rabbit. J. Histochem. Cytochem. 50, 1049–1058 (2002).

380.

Hayes, W. C., Keer, L. M., Herrmann, G. & Mockros, L. F. A mathematical analysis for
indentation tests of articular cartilage. J. Biomech. 5, 541–551 (1972).

381.

Kesti, M. et al. Bioprinting Complex Cartilaginous Structures with Clinically Compliant
Biomaterials. Adv. Funct. Mater. 25, 7406–7417 (2015).

382.

Chan, L. W., Lee, H. Y. & Heng, P. W. S. Mechanisms of external and internal gelation and
their impact on the functions of alginate as a coat and delivery system. Carbohydr. Polym. 63,
176–187 (2006).

383.

Drury, J. L., Dennis, R. G. & Mooney, D. J. The tensile properties of alginate hydrogels.
Biomaterials 25, 3187–3199 (2004).

384.

Jang, J. et al. Effects of alginate hydrogel cross-linking density on mechanical and biological
behaviors for tissue engineering. J. Mech. Behav. Biomed. Mater. 37, 69–77 (2014).

385.

Liao, I.-C., Moutos, F. T., Estes, B. T., Zhao, X. & Guilak, F. Composite three-dimensional
woven scaffolds with interpenetrating network hydrogels to create functional synthetic
articular cartilage. Adv. Funct. Mater. 23, 5833–5839 (2013).

386.

Jones, R. & Reid, L. The effect of pH on Alcian Blue staining of epithelial acid glycoproteins.
I. Sialomucins and sulphomucins (singly or in simple combinations). Histochem. J. 5, 9–18
(1973).

387.

Liao, H. T. et al. Prefabricated, Ear-Shaped Cartilage Tissue Engineering by Scaffold-Free
Porcine Chondrocyte Membrane. Plast. Reconstr. Surg. 135, 313–321 (2015).

388.

Tchounwou, P. B., Newsome, C., Williams, J. & Glass, K. Copper-Induced Cytotoxicity and
Transcriptional Activation of Stress Genes in Human Liver Carcinoma (HepG(2)) Cells. Met.
ions Biol. Med. 10, 285–290 (2008).

167

389.

Discher, D. E., Janmey, P. & Wang, Y.-L. Tissue cells feel and respond to the stiffness of their
substrate. Science (80-. ). 310, 1139–1143 (2005).

390.

Young, J. L. & Engler, A. J. Hydrogels with time-dependent material properties enhance
cardiomyocyte differentiation in vitro. Biomaterials 32, 1002–1009 (2011).

391.

Levett, P. a. et al. Chondrocyte redifferentiation and construct mechanical property
development in single-component photocrosslinkable hydrogels. J. Biomed. Mater. Res. - Part
A 102, 2544–2553 (2014).

392.

Hendriks, J. a a, Moroni, L., Riesle, J., de Wijn, J. R. & van Blitterswijk, C. a. The effect of
scaffold-cell entrapment capacity and physico-chemical properties on cartilage regeneration.
Biomaterials 34, 4259–4265 (2013).

393.

Akkineni, A. et al. Highly Concentrated Alginate-Gellan Gum Composites for 3D Plotting of
Complex Tissue Engineering Scaffolds. Polymers (Basel). 8, 1–16 (2016).

394.

Dahl, S. G. et al. Incorporation and distribution of strontium in bone. Bone 28, 446–453
(2001).

395.

Svensson, O., Hjerpe, A., Reinholt, F. P., Wikstrom, B. & Engfeldt, B. The effect of strontium
and manganese on freshly isolated chondrocytes. Acta Pathol Microbiol Immunol Scand 93,
115–120 (1985).

396.

Hinoi, E. et al. Runx2 inhibits chondrocyte proliferation and hypertrophy through its
expression in the perichondrium. Genes Dev. 20, 2937–2942 (2006).

397.

Tirella, A., Orsini, A., Vozzi, G. & Ahluwalia, A. A phase diagram for microfabrication of
geometrically controlled hydrogel scaffolds. Biofabrication 1, 1–12 (2009).

398.

Mazza, E. & Ehret, A. E. Mechanical biocompatibility of highly deformable biomedical
materials. J. Mech. Behav. Biomed. Mater. 48, 100–124 (2015).

399.

Compton, B. G. & Lewis, J. A. 3D-printing of lightweight cellular composites. Adv. Mater. 26,
5930–5935 (2014).

400.

Cui, J. et al. Synthetically Simple, Highly resilient hydrogels. Biomacromolecules 13, 584–588
(2012).

401.

Wei, J. et al. 3D printing of an extremely tough hydrogel. R. Soc. Chem. Adv. 5, 81324–81329
(2015).

402.

Hopf, R., Bernardi, L., Menze, J., Zündel, M. & Mazza, E. Experimental and Theoretical
Analyses of the Age-dependent Large-strain Behavior of Sylgard 184 (10:1) silicone
elastomer. J. Mech. Behav. Biomed. Mat. 60, 425–437 (2016).

403.

Zhang, Y. S. et al. 3D Bioprinting for Tissue and Organ Fabrication. Ann. Biomed. Eng. 45,
148–163 (2016).

404.

Ventola, C. L. Medical Applications for 3D Printing: Current and Projected Uses. P T 39, 704–
711 (2014).

405.

Jakab, K. et al. Tissue engineering by self-assembly of cells printed into topologically defined
structures. Tissue Eng. Part A 14, 413–421 (2008).

406.

Khan, A., Rahman, K., Kim, D. S. & Choi, K. H. Direct printing of copper conductive microtracks by multi-nozzle electrohydrodynamic inkjet printing precess. J. Mater. Process.
Technol. 212, 700–706 (2012).
168

407.

Neiman, J. A. S. et al. Photopatterning of hydrogel scaffolds coupled to filter materials using
stereolithography for perfused 3D culture of hepatocytes. Biotechnol. Bioeng. 112, 777–787
(2015).

408.

Atala, A. Engineering organs. Curr. Opin. Biotechnol. 20, 575–592 (2009).

409.

Cui, H., Nowicki, M., Fisher, J. P. & Zhang, L. G. 3D Bioprinting for Organ Regeneration.
Adv. Healthc. Mater. 6, 1–29 (2017).

410.

Carmeliet, P. & Jain, R. K. Angiogenesis in cancer and other diseases. Nature 407, 249–257
(2000).

411.

Novosel, E. C., Kleinhans, C. & Kluger, P. J. Vascularization is the key challenge in tissue
engineering. Adv. Drug Deliv. Rev. 63, 300–311 (2011).

412.

Wu, W. et al. Direct-write assembly of biomimetic microvascular networks for efficient fluid
transport. Soft Matter 6, 739–742 (2010).

413.

Mason, C. & Manzotti, E. Regenerative medicine cell therapies: numbers of units
manufactured and patients treated between 1988 and 2010. Regen. Med. 5, 307–313 (2010).

414.

Hourd, P., Medcalf, N., Segal, J. & Williams, D. J. A 3D-bioprinting exemplar of the
consequences of the regulatory requirements on customized processes. Regen. Med. 10, 1746–
1751 (2015).

415.

McGowan, K. B. & Stiegman, G. Regulatory Challenges for Cartilage Repair Technologies.
Cartilage 4, 4–11 (2012).

416.

Heathman, T. R. J. et al. The Translation of Cell-Based Therapies: Clinical Landscape and
Manufacturing Challenges. Regen. Med. 10, 49–64 (2015).

417.

Mcallister, T. N., Audley, D. & L ’heureux, N. OpiniOn Autologous cell therapies: challenges
in US FDA regulation. Regen. Med 7, 94–97 (2012).

418.

Khin, N. a et al. Regulatory and scientific issues regarding use of foreign data in support of
new drug applications in the United States: an FDA perspective. Clin. Pharmacol. Ther. 94,
230–242 (2013).

419.

Lee, V. et al. Design and fabrication of human skin by three-dimensional bioprinting. Tissue
Eng. Part C 20, 473–484 (2014).

169

