+\
INE

=

UNIVERSITATo:
BARCELONA

Development and Characterization
of Bioprintable Physiomimetic Scaffolds
for Tissue Engineering

Héctor Sanz Fraile

ADVERTIMENT. La consulta d’aquesta tesi queda condicionada a I'acceptacié de les segiients condicions d'Us: La difusié
d’aquesta tesi per mitja del servei TDX (www.tdx.cat) i a través del Diposit Digital de la UB (diposit.ub.edu) ha estat
autoritzada pels titulars dels drets de propietat intel-lectual Unicament per a usos privats emmarcats en activitats
d’investigacio i docéncia. No s’autoritza la seva reproduccié amb finalitats de lucre ni la seva difusié i posada a disposicio
des d’un lloc alié al servei TDX ni al Diposit Digital de la UB. No s’autoritza la presentacié del seu contingut en una finestra
o marc alié a TDX o al Diposit Digital de la UB (framing). Aquesta reserva de drets afecta tant al resum de presentaci6 de
la tesi com als seus continguts. En la utilitzacié o cita de parts de la tesi és obligat indicar el nom de la persona autora.

ADVERTENCIA. La consulta de esta tesis queda condicionada a la aceptacion de las siguientes condiciones de uso: La
difusion de esta tesis por medio del servicio TDR (www.tdx.cat) y a través del Repositorio Digital de la UB (diposit.ub.edu)
ha sido autorizada por los titulares de los derechos de propiedad intelectual unicamente para usos privados enmarcados en
actividades de investigacion y docencia. No se autoriza su reproduccién con finalidades de lucro ni su difusion y puesta a
disposicion desde un sitio ajeno al servicio TDR o al Repositorio Digital de la UB. No se autoriza la presentacién de su
contenido en una ventana o marco ajeno a TDR o al Repositorio Digital de la UB (framing). Esta reserva de derechos afecta
tanto al resumen de presentacion de la tesis como a sus contenidos. En la utilizacién o cita de partes de la tesis es obligado
indicar el nombre de la persona autora.

WARNING. On having consulted this thesis you’re accepting the following use conditions: Spreading this thesis by the TDX
(www.tdx.cat) service and by the UB Digital Repository (diposit.ub.edu) has been authorized by the titular of the intellectual
property rights only for private uses placed in investigation and teaching activities. Reproduction with lucrative aims is not
authorized nor its spreading and availability from a site foreign to the TDX service or to the UB Digital Repository. Introducing
its content in a window or frame foreign to the TDX service or to the UB Digital Repository is not authorized (framing). Those
rights affect to the presentation summary of the thesis as well as to its contents. In the using or citation of parts of the thesis
it's obliged to indicate the name of the author.




E'FI " EVS [UNIVERSITATo:
|ﬁ+d BARCELONA

Development and Characterization
of Bioprintable Physiomimetic

Scaffolds for Tissue Engineering
by

Héctor Sanz Fraile

Memoria de tesi doctoral presentada per Héctor Sanz Fraile per optar al
grau de Doctor per la Universitat de Barcelona

Programa de Doctorat Biomedicina

Linia d’Enginyeria Biomedica

Dirigida per Prof. Ramon Farré i Dr. Jorge Otero (Universitat de Barcelona)
Unitat de Biofisica i Bioenginyeria
Facultat de Medicina i Ciencies de la Salut

Universitat de Barcelona

Barcelona, Gener 2023

R

Ramon Farré Jorge Otero Héctor Sanz







Vi



A mi madre

A mi padre
A mi doctor
A mi cachito

A todos los que me habéis empujado hasta aqui

vii



viii



Agradecimientos

OTRA ETAPA que finaliza. Otra etapa que comienza. Es dificil no mirar atras y preguntarse

cémo es posible. Cbmo aquel chaval que suspendia hasta el recreo esta escribiendo hoy
esto. Supongo que algo falld. Quizds no era el momento. Quizas no era el lugar. Sea
como fuere, todo formé parte del camino. Un camino que continta. Un camino que he
recorrido con tanta y tanta gente que, aun con el miedo de dejarme a alguien en algun

rincén de mi memoria, no puedo evitar agradecérselo uno por uno.

Primeramente, me gustaria agradecer a mis dos directores de tesis, el Prof.
Ramon Farré y el Dr. Jordi Otero, por su guia continua a través de estos afios en los que
he desarrollado mi tesis doctoral en la unidad de biofisica y bioingenieria de la
Universitat de Barcelona. Vuestra continua disponibilidad ante cualquier duda, vuestra
disposicion infinita a ayudar y vuestro companerismo es algo que siempre me guiara en
mis futuros pasos. Sin duda, vuestro aporte a mi formaciéon no termina aqui; mas bien

no ha hecho mas que empezar.

También queria agradecer en especial al Prof. Daniel Navajas. Aunque tu reciente
jubilacién hizo que no pudiésemos compartir tantas discusiones como me habria
gustado tener con alguien con tu sabiduria, he podido disfrutar de algunas de ellas en
nuestros fantasticos lab meetings. Sin duda, aquel mail que me respondiste un 30 de
octubre 2017 citdndome a una reunién en la unidad dio lugar a esto. Sin ti tampoco

habria sido posible.

De la misma forma, me gustaria agradecer al resto de profesores de la unidad,
Isaac, Jordi Alcaraz, Roser, Doménec, Nuria y Raimon, los cuales siempre han estado

dispuestos a ayudar en todo lo necesario.

No puedo olvidarme de todos los compaferos que han compartido estos afios
de laboratorio. A algunos de vosotros puedo consideraros amigos, sin duda. Empezando

por Jordi, que ademas de director se ha convertido en amigo; como tu siempre dices:



“te puedo ensefar a convertirte en cientifico”. Y vaya si lo has hecho. Bryan, mi
codirector de TFM favorito. No me extrafia nada todo lo que estds consiguiendo en la
ciencia. Realmente creo que has nacido para esto. Y sabes que espero que algin dia
volvamos a trabajar codo con codo en un lab... 0 en una bachata. Ignasi.... La de horas
gue habremos echado en el AFM charlando de ciencia y no ciencia. Saber con certeza
gue tu y yo si que coincidiremos nuevamente en un laboratorio es una de las mejores
noticias que la ciencia me ha dado. Esther, sin duda tu has sido una alegria en el lab; otra
excelente cientifica y compafiera de bachata. Llegards a donde quieras. Pero eso ya lo
sabes. Alvaro, el madrilefio guapo del laboratorio. Contigo las risas estaban aseguradas.
Anna, mi compi de cafés favorita y la alegria de la tercera planta. Otra gran cientifica que
llegard donde quiera. Eli, tu si que has llegado donde has querido y cuando has querido.
Ojala tener la mitad de la determinacion que tienes tu. Eres una crack. Rafa, espero que
no te hayas puesto celoso por llamar guapo a Alvaro. Se te echa mucho de menos en el
laboratorio. Jair, qué genial seria que volvieras. Marta y Paula... mis acompafiantes de
Opera favoritas. Marta, es una alegria seguir compartiendo laboratorio contigo. Paula....
Tu eres la definicidn de alegria. Cada vez que pienso en alguien riendo en el lab, sélo me
puede venir a la cabeza tu risa. Se te echara muchisimo de menos. Nanthilde, ahora que
sé que entiendes esto, quiero que sepas que eres otra gran cientifica, y que los
experimentos contigo han sido geniales. Constanca, amiguita, qué pena que la
pandemia paré esas noches de juegos de mesa con tu familia portuguesa. Miguel Angel,
el mejor técnico que un laboratorio podria tener. Cuando necesites a alguien que te
apague la impresora 3D por la tarde, ya sabes que soy experto en ello. Siento que este
parrafo se esté alargando demasiado, pero no lo cerraré sin agradeceros a todas las
demas personas con quien he compartido laboratorio estos afios, en mayor o menor
medida: Edolie, Cristina, Reihana, Ignacio, Irene, Susana, Lluis, Alejandro, Alejandro,
Alejandro (os toca a vosotros adivinar cudl es cada uno), Maria Leonor, Africa, Marina,
Carol, Alicia, Patri, Nata, Kate, Elba, Agnés, Fer, Rodrigo, Mariona, Carmen, Sheila,
Lloren¢ y Andressa. Juro que creo que no me olvide a nadie. Y si lo he hecho y estas

leyendo esto... te lo agradezco a ti también.

Otra de las ventajas que tiene hacer un doctorado en un laboratorio tan

reconocido es la posibilidad de colaborar con otros laboratorios. En particular, quiero



nombrar a tres personas que ha sido una bendicidon encontrarme con ellas en el camino.

Tres cientificas y tres profesionales maravillosas:

Ceci. Mi primera colaboracidn oficial en el laboratorio y la que mas quebraderos
de cabeza me dio con el maldito chip. En serio, en un placer trabajar contigo. Y charlar.
Y tomar algo. Eres una compaiiia fantastica. Creo que estamos en el mismo camino de
la ciencia, asi que estoy seguro de que nos encontraremos muchas mas veces. Gracias

por tus didacticas charlas sobre biologia.

Ana. Los cerebros nunca fueron tan divertidos como cuando los mediamos
juntos. La persona que mds rapidamente ha aprendido a hacer reologia. Y estoy seguro
de que el dia que quieras, dominaras el AFM. Gracias por los desayunos, y seguro que

nos volveremos a encontrar.

Nona. Llegaste a la mitad de mi tesis para tomar el relevo a Victoria y a nuestras
medidas de mocos y la verdad, ojald tu llegada no hubiese significado la marcha de

Victoria, pero sin duda ha sido una suerte que tu fueses quien entrase a ese puesto.

Victoria. El ultimo parrafo tenia que ser para ti. Contigo descubri el maravilloso
mundo de los mocos (aspirados bronquiales. Perddn). Aun después de tu marcha hemos
seguido trabajando juntos. Eres una profesional enorme. Trabajar contigo es muy facil.
Te lo he dicho muchas veces: el dia que tengas tu propio grupo tienes que contratarme.

O si no te contrataré yo a ti.

No quiero terminar la parte de agradecimientos académicos sin nombrar a Pepe.
Mi profesor de fisica de bachillerato y la persona que despertd en mi por primera vez el
gusanillo de la ensefanza. Ojald algun dia ser la mitad de buen profesor que has sido tu.
De mi etapa universitaria en Madrid tengo que hacer una especial mencidn a Alberto.
Fuiste mi primer contacto con la ciencia. La persona que me dio la primera oportunidad
para entrar en un laboratorio. Quien vio en mi algo lo suficientemente bueno como para

invitarme a colaborar aquel verano de 2013. Contigo empezd todo. Gracias.

Llega el momento de agradecer a mis amigos por todos los buenos momentos
gue me han hecho pasar durante estos anos, aun estando lejos. Maria, gracias por estar
siempre ahi. Por venir a verme cada vez que has podido. Por estar cada dia al otro lado.
Rober, eres la definicion de amigo. Alguien que es capaz de recorrerse 600 km sdélo

Xi



porque tienes un mal dia y necesitas escapar. Kike, desde los 3 afios juntos y siempre
has estado ahi. Desde la distancia siempre te he podido notar cerca. Serguey, qué pena
gue estemos tan lejos. Eres de esos amigos que, aunque estés un tiempo sin hablar,
sabes que estan ahi para cuando lo necesites. Silvia, otro de mis grandes apoyos en la
distancia. Alguien que, aunque no me coja el teléfono, sé que siempre me devuelve la
llamada. Y no te enfades por aparecer al final, que sabes que los ultimos serdn los

primeros. Os quiero.

Agradecérselo también a mi familia, que siempre me ha apoyado en cada paso
gue he dado para llegar hasta aqui. A mi madre, quien siempre confié en mi capacidad,
incluso cuando ni yo mismo lo hacia. Eres un ejemplo. Mi ejemplo. Ojald alguien esté
algun dia tan orgulloso de mi como yo lo estoy de ti. A mi padre, por ensefiarme a ser
un gran profesional haga lo que haga; sea pasar un punto de luz o montar una
bioimpresora. A Dori, por ayudarme en todo lo que he pedido y por tratarme siempre
como uno mas. Es una suerte saber que estas siempre ahi. A mi tia Dioni; mi cachito.
Siempre has sido una madre para mi. No hay recuerdo de mi vida en el que no aparezcas.
No existe persona mas buena que tU en este mundo. Tu me has ensenado los valores
para ser una buena persona. Y a mi tio Amador; mi doctor. Mi mejor amigo. Me cuesta
plasmar con palabras lo que estoy sintiendo mientras te escribo esto. Es duro llevarte

en mi piel y no poderte abrazar. Estés donde estés, te echo mucho de menos.

Y por ultimo agradecerte a ti, Virginia, por todo el apoyo que me has dado en
esta Ultima etapa del doctorado. Por apoyarme en los dias malos y en los buenos. Eres

la mejor compafiera que jamds habria imaginado. Eres un regalo. Gracias.

Y es hora de ir cerrando estos agradecimientos, que acabaran ocupando mas que
la propia tesis a este paso. Pero es que seria injusto dejarme a alguien. Porque todos y
cada uno de los que aqui salen me han ayudado, de una manera u otra, a conseguir esto.

De corazoén, GRACIAS

Xii



INDEX

ABIAECIMIENTOS oo eeeeeeee e ix
LISt Of i UIES e, XV
Abbreviations and aCronNymMs .....ccooeviiiiiiii . Xvii
TRESIS SUMMIAIY iieeeeeee e e e e e e e e e e e e e e e e e e e e e e e e e e e e aaaaaaaas XXi
RESUMIEBN (ES) uvvtiiiiiieie i ettt e e ettt e e e e e ettt e e e e e e e e e e abbraeeeeeeessssaaabaaeeeaeeesasnnssraaneeaaanas XXV
Chapter 1. IntrodUCtion ..., 1
1 Scaffolds for tissue engineering: the extracellular matrix.............ccccc . 4
001 0 | = Y o T 4

A - 1] o R OSSP P PP PPPPRPP 6

R I 1 o To T T<Tot i o OSSP PP PPPPPPPN 7

1.4 GlYCOSAMINOGIYCANS. ...uuueieiiiiiiiii s 8

1.5 Cell-matrixX iINTeractioNS.........eeiiiiiiiii it 9

2 DECellUIAIZAtION. .. ciiiiiiiee et 10

3 Hydrogels derived from the extracellular MatriX. ......cccooeeeeieiiiiiiiiiiiiccccccccccc 11
3.1 Impact of decellularization methods on ECM-derived hydrogels................................ 14

3.2 Crosslinked hydrogels.......oooeeeiiiiiii 14

4 Scaffold mechanical characterization...........ceooviiiiiiiiiiii e 15
4.1 Micromechanical properties: Atomic FOrce MiCroSCOPY ......uvvvvvvvererrrerereerreeereserereennnns 18

4.2 Macromechanical properties: Tensile and compression testing ...............vvvvvvvvvvennnnns 22

4.3 Rheological characterizatioNn ...........eviieiiiiiiiiiiiiiieeiiieiieeeeeeeeeeeeeeereeeseerseerrerrrrrrrrrrarrrr—... 24

SRS D N = TTeT o o 01 ooV =S PPPP PO 27
5.1 EXtrusion bioprinting ..o 29

5.2 Inkjet bioprinting ... 30

5.3 Photopolymerization ... 30

6 Bioprinted scaffolds for 3D Cell CUITUIE .......uviviiiiiiiiiiiiiiiieeeeeeeeeeeeeeeee et ee e ereeeeeees 31
6.1 cECM hydrogels in tissue engineering ... 31

6.2 3D printed PLA composite scaffolds...........cccoeoeii 34
Chapter Il. Hypothesis of the thesis.........ccccooiiiii 39
Chapter Ill. Objectives of the thesis ... 43
Chapter IV. Articles in this thesis ... 47
Materials, Methods, AN FESUILS .......oiueiii e e e eeaaaas 51
Chapter V. Scientificarticle ... 53
Chapter VI. Scientificarticle ... 75
Chapter VII. Scientificarticle ... 91
Chapter VI Scientific @rticle V.. ... et e e e e e s 105



Chapter IX. ReSUltS SUMMAIY ..oooiiiiiiicc e, 119

INFOrME del dirECEON ...t e e e s reee e e e e e 121
Chapter X. DiSCUSSION.....ccciiiiiiccicc e 127
Chapter XI. CONCIUSIONS ..cciiiiieiieec e, 139
Chapter Xl REfEreNCES....ccco i, 143
Chapter XL APPENICES....ccce i, 159

Appendix A. Other publications and conference communications ............ooeecuuvieeeeeeerinnnns 161

Appendix B. Step-by-step protocol for silk solubilization .................ccccc 163

Appendix C. Step-by-step protocol for porcine-derived hydrogel development................. 165

Appendix D. Implementation of rheological measurements..............cccceeeii, 169

Xiv



List of figures

Figure 1.- Sketch of the structure of a collagen fiber (16).........cccvvveeeeeeiiiiciiiieeee e, 6
Figure 2.- Representation of collagen (black) and elastin (blue) fibers in the ECM. When a force
is applied, elastin fibers are the first to elongate in the direction of the applied force. When
that force exceeds a certain value, recruitment of the collagen fibers begins and they begin to

stretch, giving rise to the beginning of the nonlinear zone of a stress-strain curve. .................. 7
Figure 3.- Remodeling of the ECM by different mechanisms (38)..........cccccevveveeeeiiiicciiiieeeeennn, 10
Figure 4.- Visual representation of protein hydrolysis and proton consumption in acidic

Fole] aTe [ o] o L3OO PP PP PPPPPPPPPPPNt 13
Figure 5.- Typical stress (y-axis)-strain (x-axis) curve of a material. .........cccovvvveeeeeiiiiciiiiieenee, 17
Figure 6.- Schematic view of an AFM system with a spherical tip.....ccccooeeiiiiiiiiiiiiiiiiiiiiiciccn, 20
Figure 7.- Force/Indentation cUrve (130) ....c.ccceiiuieeeeiiieeeeciieeeeeeireeeeetreeeeeiveeeeeeabraeeeeenbaeeeenes 21
Figure 8.- Diagram of the sample uniaxial tensile SetUP. ....cccoeeeiiiiiiiiiii 23
Figure 9.- Typical stress (y-axis) vs strain (x-axis) curve performed by tensile testing. .............. 24
Figure 10.- Fluid flow behavior iNAeX.........uuuuuuuuuiiiii s 26
Figure 11.- lllustration of a rheological oscillatory test........cccceeeeiiiiiiiiiiiiiicccccccccccccc 27
Figure 12.- Scheme of 3D bioprinting process (149). .......ueieeiiiiciiiieeeeee e e e e eeecrvreeea e 28
Figure 13.- Schematic view of different bioprinting methods (188)........ccccceeeiiiiiiiiiiiiiciciiienn, 31
Figure 14.- cECM-derived bioink developed by Pati et al (198).......cccceeeeeeiiiiiiiiiiiiicccceecece e 33
Figure 15.- Bioprinting method for nanofibers-reinforced alginate bioink published by
Narayanan €t al (209). .......uuuuuuuueeriiiiie s 35

Xv



XVi



Abbreviations and acronyms

<Ad?>
3D

Ao
AFM
AM
B3
BM-MSCs
cCM
cECM
coLl
Cx43
d

do
DLP
DNA

ECM

EEP

G

GI

GII

G*
GAGs
GelMA
GG-PEGDA
Gly
hBM-MSCs
HCAECs
hCPC
iPC
iPS-CPCs
k

ks

L

Lo

LIFT

m

MSC

PBS
PCL
PLA
PVA

Average of the square fluctuations
Three-dimensional

Cross-sectional area

Atomic force microscopy

Additive manufacturing

Bioactive borate glass

Bone marrow mesenchymal stromal cells
Chicken embryonic cardiomyocytes
Cardiac extracellular matrix

Type | collagen

Connexin 43

Deflection

Offset

Digital light processing
Deoxyribonucleic acid

Elastic modulus / Young’s modulus
Extracellular matrix

Energy equipartition method

Shear modulus

Storage modulus

Loss modulus

Sinusoidal stress
Glycosaminoglycans

Gelatin methacrylate

Gelan gum-poly diacrylate

Glycine

Human bone marrow mesenchymal stromal cells
Human coronary artery endothelial cells
Human cardiac progenitor cells
Intrapericardial region

Induced pluripotent stem cell-derived cardiac progenitors
Spring’s elasticity constant
Boltzman constant

Length

Initial length

Laser-induced forward transfer
Mass

Mesenchymal stem cells

Fluid flow behavior index
Phosphate buffered saline
Polycaprolactone

Polylactic acid

Polyvinyl alcohol

Radius

XVii



RASMCs
Rz
Sa/Ra
SDC

SDS

SEM
SiO;

Sku / Rku
SLA
Ssk / Rsk
T

uv

\"

VEGF
YSZ

z

Zc

a chains
a-SMA

~

S 3 0 o<

~
~-

s S |
*

cgAdav 0O

XViii

Rat aortic smooth muscle cells
Mean roughness depth

Areal arithmetic mean
Sodium deoxycholate

Sodium duodecil sulfate
Scanning electron microscopy
Silicon dioxide

Kurtosis

Stereolithography

Skewness

Temperature

Ultraviolet light

Voltage

Vascular endothelial growth factor
Yttria-stabilized zirconia
Displacement of the cantilever with the piezo actuator
Vertical displacement when the tip contacts the sample
Polypeptide chains

a-Smooth muscle actin

Strain

Indentation

Deformation

Viscosity

Dynamic viscosity

Storage viscosity

Complex viscosity

Mean angle of the pyramid
Density

Applied stress

Shear stress

Angular velocity

Poisson’s ratio



Thesis in compendium of publications format. The thesis consists of one general

objective and three specific objectives, containing two already published articles and

two articles currently in manuscript status:

Published articles:

Hector Sanz-Fraile, Susana Amoros, Irene Mendizabal, Carolina Galvez-Monton,
Cristina Prat-Vidal, Antoni Bayes-Genis, Daniel Navajas, Ramon Farre, and Jorge
Otero. Silk-Reinforced Collagen Hydrogels with Raised Multiscale Stiffness for
Mesenchymal Cells 3D Culture. Tissue Eng Part A. 2020 Mar;26(5-6):358-370.
doi:10.1089/ten.TEA.2019.0199. IF: 3.845. Q2 (35/89)

Irene Buj-Corral, Héctor Sanz-Fraile, Anna Ulldemolins, Aitor Tejo-Otero,
Alejandro Dominguez-Ferndndez, Isaac Almendros, Jorge Otero. Characterization
of 3D Printed Metal-PLA Composite Scaffolds for Biomedical Applications.
Polymers (Basel). 2022 Jul 5;14(13):2754. doi: 10.3390/polym14132754.

IF: 4.967. Q1 (16/90)

In manuscript format:

Héctor Sanz-Fraile, Carolina Herranz-Diez, Anna Ulldemolins, Bryan Falcones,
Isaac Almendros, Nuria Gavara, Raimon Sunyer, Ramon Farré and Jorge Otero.
Characterization of Bioinks Developed from the Gelification of the Extracelullar
Matrix obtained from Decellularized Porcine Myocardia.

Buj-Corral, Irene; Sanz-Fraile, Hector; Tejo Otero, Aitor; Xuriguera, Elena; Otero,

Jorge. Biocompatible 3D Yttria-Stabilized Zirconia Parts using Direct Ink Writing.

XiX



XX



Thesis summary

Development and Characterization of Bioprintable physiomimetic Scaffolds for Tissue

Engineering.

TISSUE ENGINEERING is a field of study in which engineers use technology to mimic the
structure of human tissue as closely as possible. The development of 3D tissue culture
is a major area of research because cells behave differently in 3D microenvironments

compared to 2D microenvironments.

Natural and synthetic polymers can be processed to be 3D printable and form
hydrogels. Tissue decellularization is a commonly used method to isolate extracellular
matrix (ECM). To create functional 3D tissues, cells need to be embedded in the ECM.
The mechanics of the ECM can modulate physiological processes, so characterization of
biomaterials for tissue-engineered scaffolds must be done at both macroscopic and

microscopic scales.

Bioprinting using additive manufacturing (3D printing) is a widely used method
in biomedical research to create, replace, or regenerate damaged tissues. Different
biomaterials or cell-laden solutions can be deposited layer by layer with precision using
3D bioprinting, which has opened the door to personalized medicine. Biocompatible
synthetic materials are also available and have tunable properties, making them good

candidates for use in 3D printing.

In this thesis, we hypothesize that we can develop a hydrogel that mimics the
mechanical properties of cardiac tissue using collagen type | (COL I) as the main
component. Furthermore, this thesis hypothesizes that 3D printed synthetic composites
are suitable for direct culture of stem cells on them, showing cell viability and
osteocalcin markers after several days of culture. Therefore, the main objective of this
work is to develop and characterize the mechanical properties of biomaterials for 3D

bioprinting. To this end, a protocol for decellularization of porcine myocardium was
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developed for the development of ECM-derived hydrogels. In addition, a protocol for
the addition of silkworm silk dissolved in COL | hydrogels was developed to modify the
stiffness and printability of the scaffolds and to characterize the multi-scale mechanical
properties. Finally, printable synthetic composites suitable for direct cell culture on their

surfaces have been developed.

The macromechanics of a material is determined by the mechanical properties
of its components and the ratio of these elements. To perform the multi-scale
characterization, well-known techniques were wused: To characterize the
micromechanics, an atomic force microscope (AFM) was used to measure forces in the
nanonewton range, getting the elastic modulus (E) of the material. To quantify E at the
macroscopic level, tensile test method was used, which stretches a sample by a certain
percentage and measures the force required to deform the sample. For the viscoelastic
properties of the hydrogels, the rheology technique was used to quantify storage
modulus (G’) and viscosity (n). Finally, scanning electron microscopy (SEM) was used to
image the ultrastructure of the materials and quantify the diameter of the fibers. To
study cell viability, cells embedded in the hydrogels or on the developed structures were

stained with different antibodies and visualized with a confocal microscope.
The main findings of the four articles presented in this dissertation are as follows:

Sericin-preserved silk improves the mechanical properties of collagen scaffolds for

tissue engineering.

A silk-reinforced collagen hydrogel was developed to create an ECM-derived
material with mechanical properties similar to native myocardium. Cells were cultured
within the bioink, which showed increased viability compared to the pure collagen
hydrogel. Microscale elastic moduli were higher in the silk-reinforced hydrogels, with
maximum values at 50% (Em = 1.26 kPa) and 100% (Em = 1.31 kPa) silk content.
Macroscale mechanical properties were also improved with silk reinforcement, with
maximum values at 75% silk content (E = 31 kPa). The rheological properties of the
hydrogel were improved, including increased storage modulus regarding to COL |
hydrogels and no change in viscosity at 4 °C, making it easier to print. Overall, silk

reinforcement improved the mechanical and rheological properties of the hydrogel.
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Cardiac ECM-derived hydrogels can be optimized for developing 3D bioscaffolds.

A cECM bioink for 3D cell culture in cardiac tissue engineering was developed
from decellularized porcine myocardium. The structure, viability, and behavior of the
hydrogel with hBM-MSCs were investigated by imaging, staining, and a contraction
assay. The hydrogel exhibited a fibrillar network and was mechanically stable with
gelation from 16 h (G’ =5 Pa) to 24 h (G’ = 24 Pa) pepsin digestion time. The cell-laden
hydrogel was characterized by rheological analysis and showed softening than acellular
hydrogels after 7 days of cell culture. The crosstalk between cECM and hBM-MSCs was
evaluated, and the cells showed a spindle shape, well-formed cytoskeleton, and positive

expression of Cx43 and a-SMA.
Yttria-Stabilized Zirconia (YSZ) scaffolds can be 3D printed by using direct ink writing.

The viability of hBM-MSCs on 3D printed YSZ with different surface roughness
was investigated due to limited in vitro studies with this biocompatible ceramic material.
Surface roughness was compared for two 3D printed samples with 80% and 95% infill.
No differences were found between the two infills. The samples were coated with
collagen for cell adhesion testing, and cells were found to adhere to both coated and

uncoated surfaces, so it seems to be a suitable biomaterial for cell culture.

3D Printed Metal-PLA composite scaffolds induce osteogenic differentiation of

Mesenchymal Stromal Cells.

3D printing was used to fabricate three PLA/metal composites in a study that
analyzed porosity, roughness, and biocompatibility. Steel was found to be
cytocompatible, while copper and bronze were not. The roughness of the samples was
measured, and collagen coating was performed to analyze cytocompatibility. h(BM-MSCs
were cultured on steel/PLA scaffolds and showed the presence of osteocalcin after 21
days, indicating successful osteogenic differentiation. The results suggest that steel-

filled scaffolds are suitable for biomedical applications.

In conclusion, bioinks for 3D cell culture have been developed and characterized
for use in tissue-engineered scaffolds. They have been evaluated for macro- and
micromechanical properties and rheological behavior. Natural composite biomaterials
have also been developed, showing improved mechanical and rheological properties
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when combined with collagen. Synthetic composites have been evaluated for
biocompatibility and found to be suitable for 3D bioprinting, offering potential for use

in future medical prosthetics.
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Resumen (ES)
Development and Characterization of Bioprintable physiomimetic Scaffolds for Tissue

Engineering.

LA INGENIERIA de tejidos es un campo de estudio que, entre otras cosas, busca utilizar la

tecnologia para imitar la estructura del tejido humano. El desarrollo del cultivo celular
en 3D es uno de los principales campos de investigacion, ya que las células se comportan

de forma diferente en microambientes 3D que en microambientes 2D.

La descelularizacion de tejidos es un método muy utilizado para aislar la matriz
extracelular (ECM). Para crear tejidos tridimensionales funcionales es necesario
embeber las células en la ECM. La mecanica de la ECM puede modular los procesos
fisiologicos, por lo que la caracterizacion de los biomateriales para estructuras de

ingenieria tisular debe hacerse tanto a escala macroscopica como microscépica.

La bioimpresién es un método muy utilizado en la investigacién biomédica para
crear, sustituir o regenerar tejidos danados. Mediante la bioimpresién 3D pueden
depositarse con gran precision, capa por capa, distintos biomateriales con o sin células
en su interior, lo que abre la puerta a la medicina personalizada. También existen
materiales sintéticos biocompatibles y con propiedades ajustables, lo que los convierte

en buenos candidatos para la impresion 3D.

En esta tesis, planteamos la hipdtesis de que podemos desarrollar un hidrogel
que alcance la rigidez del tejido cardiaco utilizando coldgeno tipo | (COL 1) como
componente principal. Ademas, esta tesis plantea también la hipdtesis de que los
materiales compuestos sintéticos impresos en 3D son adecuados para el cultivo directo
de células madre sobre ellos. El objetivo principal de este trabajo es desarrollar y
caracterizar las propiedades mecanicas de biomateriales para bioimpresion 3D. Para
ello, se desarrollé un protocolo de descelularizacién de miocardio porcino para obtener

hidrogeles derivados de ECM. Ademas, se desarrollé un protocolo para la adicion de
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seda disuelta en hidrogeles de COL | para modificar la rigidez y la printabilidad, asi como
caracterizar sus propiedades mecdnicas multiescalares. Por ultimo, se han desarrollado
compuestos sintéticos imprimibles aptos para el cultivo celular directo sobre su

superficie.

La macromecdnica de un material viene determinada por las propiedades
mecanicas de sus componentes y su disposicidon. Para realizar la caracterizacion
multiescalar se utilizaron diversas técnicas: Para caracterizar la micromecanica, se utilizé
un microscopio de fuerza atémica (AFM) para medir fuerzas en el rango de
nanonewtons, obteniendo el mddulo elastico (E) del material. Para cuantificar E a nivel
macroscoépico, se utilizdé el método de ensayo de traccidn. Para evaluar las propiedades
viscoelasticas de los hidrogeles, se utilizdé la técnica de reologia para cuantificar el
modulo de almacenamiento (G') y la viscosidad (n). Por ultimo, se utilizé microscopia
electréonica de barrido (SEM) para obtener imagenes de la ultraestructura de los
materiales y cuantificar el diametro de las fibras. Para estudiar la viabilidad celular, las
células embebidas en los hidrogeles o sembradas sobre las estructuras impresas en 3D

se tifieron con diferentes anticuerpos y se visualizaron con un microscopio confocal.

Las principales conclusiones y resultados de los cuatro articulos presentados en

esta tesis son:

La adiciéon de seda con sericina preservada mejora la rigidez de los hidrogeles de

colageno para su uso en ingenieria de tejidos.

Se desarrollé un hidrogel de colageno reforzado con seda para crear un material
derivado de ECM con rigidez similar a la del miocardio nativo. Se embebieron células en
el interior de la biotinta. Estos hidrogeles mostraron una elevada viabilidad celular. La
rigidez zonal aumenté en los hidrogeles reforzados con seda, con valores maximos al
50% (Em =1,26 kPa) y al 100% (Em = 1,31 kPa) de contenido de seda. El mddulo de Young
también mejoré con el refuerzo de seda, con valores maximos alcanzados con un 75%
de contenido de seda (E = 31 kPa). Ademas, se mejoraron las propiedades reoldgicas del
hidrogel, obteniendo valores superiores con respecto a los hidrogeles COL | y sin

visualizar ninglin cambio en la viscosidad a 4 °C, lo que facilitd su bioimpresién.
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Los hidrogeles derivados de ECM cardiaca pueden ser optimizados para desarrollar

bioestructuras en 3D.

A partir de miocardio porcino descelularizado se desarrollé una biotinta para el
cultivo de células 3D. La estructura, la viabilidad y el comportamiento del hidrogel con
hBM-MSC se investigd mediante imagenes, tincion y reologia. El hidrogel presentd una
ultraestructura fibrilar y estabilidad mecanica, gelificando después de 16 h (G’ =5 Pa) a
24 h (G’ = 24 Pa) de digestidn con pepsina. El hidrogel celular mostré una rigidez inferior
al de los hidrogeles acelulares tras 7 dias de cultivo celular. Se evalud la interaccidn entre
la ECM y la hBM-MSCs, las cuales mostraron una morfologia expandida, un

citoesqueleto bien formado y una expresién positiva de Cx43 y a-SMA.

Estructuras de Yttria estabilizada con Zirconia (YSZ) pueden ser impresas en 3D

utilizando direct ink writing.

Se investigo la viabilidad de las hBM-MSC en YSZ impresa en 3D con diferente
rugosidad superficial. Se compard la rugosidad superficial de dos muestras impresas en
3D con 80% y 95% de relleno. Las muestras se recubrieron con colageno para realizar
pruebas de adhesion celular, y se observd que las células se adherian tanto a las
superficies recubiertas como a las no recubiertas, por lo que parece ser un biomaterial

adecuado para el cultivo celular.

Estructuras compuestas de PLA/metal impresas en 3D inducen la diferenciacién

osteogénica de las células mesenquimales.

Se imprimieron en 3D tres compuestos de PLA/metal, analizando seguidamente
la porosidad, la rugosidad y la biocompatibilidad de las estructuras impresas. El refuerzo
de acero mostré citocompatibilidad, mientras que el cobre y el bronce no. Se analizé la
capacidad de adhesion celular cultivando hBM-MSC en estructuras de PLA/acero y se
observd presencia de osteocalcina en las células después de 21 dias. Los resultados
sugieren que las estructuras de PLA/acero son adecuadas para su utilizacion en

aplicaciones biomédicas.

En conclusién, se han desarrollado y caracterizado biotintas para el cultivo
celular en 3D. Se han evaluado sus propiedades macro y micromecanicas y su reologia.
También se han desarrollado biomateriales compuestos naturales, que muestran
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mejores propiedades mecanicas y reoldgicas cuando se combinan colageno y seda. Se
ha evaluado la biocompatibilidad de determinados compuestos sintéticos, mostrando

viabilidad para la bioimpresion tridimensional.
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TISSUE ENGINEERING is a discipline that focuses on developing strategies to create,
maintain, and repair tissues and organs using techniques from engineering, biology, and

medicine.

Among these different techniques, we can highlight cell therapy, organ
engineering and 3D bioprinting. Cell therapy is a technique that uses living cells to treat
disease or injury. For example, stem cells can be used to repair damaged tissues or
immune cells can be used to treat diseases of the immune system. Organ engineering is
a technique used to create new tissue or repair damaged tissue. This can be done by

using living cells and synthetic materials to create a tissue-like structure.

3D bioprinting uses specialized equipment (3D printers) to create tissue and
organ structures in an automated way. This is done through the use of bioinks, which
are biocompatible materials that may incorporate living cells as well other components

necessary for cell growth and differentiation.

3D bioprinting has many potential applications in medicine, including the
creation of engineered tissues and organs to replace damaged or missing ones, the
fabrication of tissue models for research and development of new therapies, and the

customization of medical treatments for individual patients.

Although 3D bioprinting is an emerging technology and it is still in its early stages
of development, it has the potential to revolutionize medicine and improve the health
of people around the world. However, there are still many challenges facing this
technology, such as the need to develop more advanced bioinks and improve the

efficiency and accuracy of 3D printing of tissues and organs.

The development of bioinks is important for 3D bioprinting as they are the
material from which tissues and organs are printed. They must be able to withstand 3D

printing and allow cells to grow and develop properly. The development of more
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advanced bioinks is essential to improve the efficiency of 3D bioprinting and make it

more accessible to more users.

1 Scaffolds for tissue engineering: the extracellular matrix
The extracellular matrix (ECM) is a complex and dynamic structure that provides
support and structure to cells and tissues. ECM also has a major impact on cell behavior

by regulating cell-cell and cell-tissue interactions (1).

The ECM is three-dimensional, and it serves as a biophysical and biochemical
support for different cell types (2). Due to the great multicellular variety that can be
present in the ECM, its composition and characteristics vary greatly among different

tissues, giving rise to tissues as different as brain or bone (3).

In addition to giving physical support, ECM regulates important cellular
processes such as migration, differentiation, and morphogenesis (4, 5). The main ECM
constituents are, among other fibrous proteins, collagens, elastin, glycosaminoglycans
(GAGs), and fibronectin. Of these proteins, the most abundant in the ECM of most
tissues is type | collagen (COL ), which associates with other collagens and ECM proteins
to form complex fibrillar structures (1). In turn, this complex structure interconnects
with other molecules present in the ECM itself to re-modulate and give rise to the ECM.
In summary, the formation and remodeling of the ECM is a cyclical and uninterrupted

process that varies when conditions within the ECM change (6).

Cells synthesize and secrete molecules that interact with the ECM to remodel it.
Furthermore, variations in the composition and structure of the ECM modulate the

response of the cells (1).

1.1 Collagens

Among the proteins, collagens are the most abundant ones in the ECM of the
majority of human tissues (7). Fibroblasts are the main cells responsible for synthesizing
and secreting collagens. In addition, through tensions and fibroblast/matrix interactions,

these cells influence collagen fiber alignment. In turn, collagen scaffolds provide signals
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to the cells, thereby modifying basic cellular functions such as migration, adhesion or

tissue repair (4).

There are 28 different types of collagens, which are made up of a minimum of 46
different polypeptide chains (a chains) (1, 8). There is a structural characteristic shared
between the different types of collagens, namely the presence of a triple helix (three a
chains linked together) that varies in different percentages, depending on the type of
collagen (9). Each of these chains is formed by 3 amino acids that follow the same
pattern (Gly-X-Y)n, where X and Y can be any amino acid, although they are frequently
occupied by proline, hydroxyproline or glycine. To achieve consistency, all these helices

are held together by hydrogen bonds and Van der Waals forces (10).

Some types of collagens are called fibrillar collagens, including types |, 11, llI, V, XI,
XXIV and XXVII (8). The formation of fibrillar tissue is promoted by the presence of other
matrix macromolecules, such as decorin and biglycan (11). Among these fibrillar

collagens, type | (COL 1) is the most abundant in the different tissues of vertebrates (11).

From the biomechanical point of view, COL | is the main protein providing
structure to the ECM, being the stiffer component of all those that compose it and the
one that supports the structural loads that tissues undergo (12). Structurally speaking,
collagen fibers are composed of an aggregation of collagen fibrils combined with other
molecules, such as proteoglycans. In turn, these collagen fibrils are formed by clusters
of triple helices (three a-chains covalently linked together) in different densities (13, 14,

15).
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Collagen Fibers
Collagen Fibrils

Figure 1.- Sketch of the structure of a collagen fiber (16)

Several authors have characterized the mechanical properties of the different
components of COL I, from the triple helix to the collagen fiber. Thus, it has been shown
that the elastic modulus of the collagen fiber (0.07-0.43 GPa (17, 18, 19, 20)) is up to
two orders of magnitude lower than the elastic modulus of the triple helix (1.3-7.8 GPa
(21, 22, 23, 24)). Similarly, the anisotropy of collagen fibers has been also demonstrated
(19). Thus, it has been proposed that the elastic modulus of the fibers of the different
types of collagens is determined by the specific packing of the triple helices that

compose it (12).

1.2 Elastin

Elastin is the main protein of the elastic fibers, which are responsible for giving
the ECM its elasticity. It is mostly present in tissues that undergo cyclic deformation,
such as cardiac and lung tissues, or blood vessels. The elastic fibers that form part of

ECM tissues are composed of elastin (approximately 90%) and cellular microfibrils (1).

Elastin is an insoluble biopolymer formed by a precursor chain of amino acids

with a hydrophobic region (valine, proline and glycine) and a hydrophilic region (lysine
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and alanine) called tropoelastin. It is the hydrophobic region that gives the protein its
elastic properties (25). Microfibrils are the first component present in the ECM when
elastic tissue develops, acting as a scaffold on which tropoelastin monomers are

oriented and assembled (26).

Mechanically, the elastic fibers of the different tissues have an elastic modulus
of =300-700 kPa. The main characteristic that elastic fibers exhibit when they are
subjected to a tensile test is that the elastic zone of the curve has an extension of
approximately 70% (25). In addition, they are capable of withstanding billions of

extension/relaxation cycles without modifying their mechanical response (27).

Collagenfiber Elastin fiber

\

N\
N / N

Figure 2.- Representation of collagen (black) and elastin (blue) fibers in the ECM. When a force is applied, elastin fibers
are the first to elongate in the direction of the applied force. When that force exceeds a certain value, recruitment of
the collagen fibers begins and they begin to stretch, giving rise to the beginning of the nonlinear zone of a stress-strain
curve.

1.3 Fibronectin

Fibronectin plays an important role in cell adhesion, migration and
differentiation (28). It also helps to maintain tissue integrity and promote wound
healing. Its function is essential for maintaining the integrity and organization of tissues

in the body.

Fibronectin formation in the ECM occurs when cells (primarily fibroblasts)
secrete soluble fibronectin dimers. These soluble fibronectin dimers then bind to cells
in the tissue via small structures called integrins, which are found on the cell surface.
This binding allows cells to adhere to the ECM and maintain their organization in tissues

(29). Fibronectin can also act as a signaling molecule, which means that it can transmit
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chemical signals from the ECM to the cells, allowing them to respond to changes in their

environment.

In addition, fibronectin also plays an important role in wound healing. When an
injury to the skin occurs, cells in the extracellular matrix begin to produce fibronectin,
which helps to form a layer of granulation tissue over the wound. This layer of
granulation tissue is necessary so that cells can migrate and begin to repair the wound

(30).

1.4 Glycosaminoglycans

Glycosaminoglycans (GAGs) are a group of molecules found in the ECM of the
human tissues. They consist of a long chain of sugars that are linked together by
glucosamine- or galactosamine-type bonds. GAGs are essential for the formation and

maintenance of the structure and function of tissues in the body.

GAGs are found in high concentrations in cartilage, where they form a layer that
lines the surface of joints. This layer helps to protect the cartilage and absorb the shocks
generated by joint movement. GAGs are also found in the skin, blood vessels and the
ECM of other tissues, such as the lung, where they play animportant role in the structure

and function of these organs (31).

GAGs are made up of a chain of monosaccharides, which are small sugar
molecules. These chains are linked together by covalent bonds, which gives them a rigid
and tough structure. GAGs also bind to proteins in the ECM, allowing them to interact

with cells in the body and transmit chemical signals (32).

There are several different types of GAGs, including hyaluronic acid, chondroitin
sulfate and dermatan sulfate (33). Each type of GAG has a slightly different structure and
function in the body. For example, hyaluronic acid is a GAG found in high concentrations
in cartilage and skin (34), where it helps maintain the elasticity and hydration of these
tissues. Chondroitin sulfate, on the other hand, is found in cartilage and helps to absorb

the shocks generated by joint movement (35).

The synthesis of GAGs in the body tissues takes place through a complex process

involving the production of monosaccharides, their binding into long chains and their

8
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binding to proteins in the extracellular matrix. This synthesis is carried out by specialized

cells found in the ECM of tissues, such as fibroblasts (36, 37).

1.5 Cell-matrix interactions

Interactions between cells and the ECM are essential for the physiology of tissues
and organs in the human body. The ECM provides support and allows cells to adhere
and communicate, while cells use enzymes and proteins to interact with the ECM and

respond to environmental signals (1).

To do this, cells have several mechanisms to interact with the extracellular
matrix. For example, cells can release enzymes that degrade the extracellular matrix,
allowing them to move and change shape. They can also produce adhesion proteins that
allow them to attach to the ECM, allowing them to anchor and maintain their position

in the tissue (38).

In addition, cells have receptors on their surface that bind to extracellular matrix
proteins, allowing them to receive signals from the environment and respond
appropriately. For example, collagen receptors can help cells detect when they are being

subjected to mechanical stress, allowing them to contract and protect themselves (39).

The interaction between cells and the extracellular matrix is also important for
the formation and maintenance of the structure of the body tissues (40). This
degradation process is balanced by deposition in healthy tissues (41). A mismatch in cell-
matrix interactions could lead to the progression of diseases such as fibrosis (42) or

cancer (43).
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Figure 3.- Remodeling of the ECM by different mechanisms (38).

2 Decellularization

One of the most common methods to study the ECM is organ and tissue
decellularization. Decellularization protocols aim to remove all cellular components of a
tissue while preserving the ECM as much as possible (44, 45). The first reported case of
obtaining ECM by decellularization of a tissue and its subsequent use as a scaffold was
the use of small intestinal submucosa as a raw material for vascular applications in 1989

(46, 47, 48).

Subsequently, many protocols have been developed to achieve decellularization
of while minimizing the changes in the ECM. Decellularization protocols are usually
based on the combination of three major types of methods: physical, chemical and

biological (49).

Physical methods include techniques such as pressure application (50, 51),
freezing and thawing cycles (52, 53) or electroporation (54, 55). Chemical methods,

which are the most used, include the use of ionic solvents, such as sodium dodecyl

10
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sulfate (SDS) (56, 57) or sodium deoxycholate (SDC) (58, 59); and non-ionic solvents,
such as triton X-100 (60, 61). Finally, biological methods include the use of enzymes such

as trypsin (62, 63) or dispase (53, 64).

Implementing a decellularization protocol must be done with care, as the
removal of cells and genetic material from a tissue can lead to alterations and even to
damage to the ECM. Therefore, decellularization protocols are different for every tissue

type (49, 65).

There are two main approaches for decellularizing a tissue or an organ: by
perfusion (66) (the whole organ is decellularized by sequential perfusion of the reagents
through the airways or blood vessels of the tissue) and by diffusion (67) (small pieces of
the organ are decellularized by immersing them subsequentially in the different
reagents). The same organ/tissue can be decellularized in both ways. For example, there
are protocols for the decellularization of the heart by perfusion (68) and by diffusion

(69).

3 Hydrogels derived from the extracellular matrix.

The potential of decellularized ECM alone as a scaffold for tissue engineering has
been studied in terms of inflammatory response after decellularization and the
applicability of animal studies to humans (70). Therefore, to generate a functional and
viable three-dimensional tissue is essential to embed cells within the ECM (71). With this
in mind, an evolution of the direct use of the decellularized ECM is reconstituting the
matrix proteins in the form of hydrogels, which are hydrophilic structures capable of

holding large amounts of water.

Since pioneering works with hydrogels in 1960 (72), hydrogels have been used in
numerous biological and biomedical applications, such as drug delivery, injectable
bioink, or tissue engineering (73, 74, 75). In the PubMed database alone, there are
currently more than 1500 papers describing the use of ECM-derived hydrogels from
almost every organ in the human body. The mechanism by which the ECM hydrogel
modulates cell behavior is not yet well described, although different hypotheses have

been postulated. Among others, it has been proposed that hydrogels influence the

11
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regulation of tissue homeostasis by extracellular vesicles, the biologically active

degradation products derived from ECM or the biomaterial-host interaction (76, 77, 78).

ECM-derived hydrogels are formed by means of a collagen-based self-assembly
process, which is mainly regulated by the proteins of the ECM and the presence of
glycosaminoglycans and proteoglycans (79). For hydrogel formation to occur, it is
important to maintain the original composition of the ECM as much as possible.
Therefore, choosing a mild decellularization protocol is crucial in determining the
physicochemical properties of the ECM-derived hydrogels obtained (80). Once the
correct decellularization of the tissue has been achieved, the tissue is freeze-dried and

converted into a fine powder by cryo-milling (to ease further solubilization).

In addition to adequate decellularization, choosing the correct solubilization
protocol (since not all the ECM proteins are acid-soluble) highly determines the

properties of the obtained hydrogels.

The most widely used solubilization method is by digesting the ECM powder with
pepsin from the porcine gastric mucosa (81). Pepsin is a protease that breaks down
polypeptides into smaller ones, i.e. peptides and amino acids, carrying out the protein
hydrolysis reaction. This action is essential for protein digestion since our body cannot
absorb proteins in their complete form. Instead, our we need to break down proteins
into smaller fragments to absorb and utilize the amino acids that they contain. Pepsin is
activated in an acidic environment. When a peptide bond is broken by pepsin action,
two new peptides are formed with a C-terminus and an N-terminus, producing one
carboxylic and one amino group (82). In acidic conditions, the amino group reacts with
a proton, establishing a balance in favor of the protonated form (NHs*) and consuming
protons (Figure 4), which leads to anincrease in pH and the inhibition of pepsin digestion

if the pH reaches high values.

To solubilize the ECM, primarily, the most used methods are the Freytes (83)
method (0.1M hydrochloric acid + pepsin) and the Voytik-Harbin (84) method (0.5M
acetic acid + pepsin). Pepsin breaks non-acid soluble proteins of the ECM, but it may also
break the telopeptide bonds of the collagen triple helix (85), which a major impact on

the mechanical properties of the obtained hydrogels (86).

12
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Peptide bond
Py-CO NH-P;

Pepsin

P,cOOH +  NH,-P,

In acidic conditions

NH,-P, + Hf 2777 NH,™P,

Figure 4.- Visual representation of protein hydrolysis and proton consumption in acidic conditions.

The ECM is considered solubilized when the liquid is homogeneous and has no
visible particles (83). Once the ECM has been solubilized, the next step is to bring the
ECM solution to physiological pH (7.4), salt concentration (1X) and temperature (37 °C).
Then, a self-assembly process begins as the entropy of the reaction increases when the
collagen monomers lose water and start to form aggregates. These aggregates are
oriented in such a way that the hydrophobic part of the protein remains inside the

collagen fibril, while the hydrophilic part is oriented towards the outer end (85, 87).

Johnson et al. investigated the effect of modifying a single neutralization
parameter while maintaining the rest of the parameters in cardiac ECM-derived
hydrogel (88). As an example, increasing the salt concentration from 0.5x PBS to 1.5x
PBS decreased the mechanical properties of the hydrogels by 2-3 fold. Furthermore, the

gelation time increases from 20 minutes (0.5x PBS) to more than 8 hours (1.5x PBS).

Brightman et al. demonstrated that matrix assembly kinetics, fibrillar network
and network morphology were distinct between extracellular matrix-derived hydrogels
and hydrogels formed from purified collagen I. On the one hand, matrix-derived
hydrogels showed an increased rate of assembly and fibril density; on the other hand,
type | collagen hydrogel revealed a higher opacity and increased fibril diameter (79).
Furthermore, the study demonstrated how ECM glycoproteins and proteoglycans

played a crucial role in ECM fibril regulation and formation.

13
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3.1 Impact of decellularization methods on ECM-derived hydrogels

The biochemical composition of the hydrogel, its transparency, mechanical
properties, gelation kinetics and cytocompatibility, among others, are characteristics to
be considered when choosing the most appropriate decellularization protocol for each

tissue.

Fernandez-Pérez et al. compared porcine corneas-derived hydrogels fabricated
from different decellularization methods, evaluating the impact of using two detergent-

based techniques (SDS and Triton X-100) and the freeze-thaw cycling technique (89).

Briefly, the amount of collagen obtained in the hydrogel remained constant in
the three treatments. Regarding the gelation kinetics, the SDS treatment resulted in
longer gelation times (27.53 + 1.36 min); however, the hydrogels obtained by SDS
decellularization of the tissues were the ones that exhibited stronger rheological
properties (when compared with rat tail-derived collagen hydrogels). Evaluation of the
hydrogel ultrastructure confirmed that all of them presented a porous and fibrillar
structure, with no significant changes between groups. Interestingly, all groups showed
good cytocompatibility except for the SDS group, where no viable cells were visible after
1 day of cell culture. In summary, decellularization with SDS provided stiffer but non-

biocompatible hydrogels.

Gaetani et al. also compared different hydrogels, in this case, derived from
porcine pancreas, using decellularization with Triton X-100 and SDS at different
concentrations (90). In addition to the results showed by Fernandez-Perez et al. in their
research, Gaetani et al. demonstrated that the variability between the properties of
obtained hydrogels was much lower in the SDS groups. Therefore, the choice of the
appropriate detergent is fundamental to preserve as much as possible the biochemical
composition of the native organ, as well as to obtain a hydrogel with the desired

physicochemical properties.

3.2 Crosslinked hydrogels

Both ECM decellularization techniques and those used to obtain pure collagen

involve the extraction of the tissue-forming collagen, which leads to the destruction of
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the collagen fibrillar structure and its natural crosslinkers during collagen extraction (91,
92), resulting in a collagen structure with poorer mechanical properties and lower
mechanical stability. This aspect is one of the major limitations of the use of type |

collagen-based biomaterials in tissue engineering.

Intending to overcome these drawbacks, numerous researchers have used
crosslinkers to obtain collagen-based biomaterials with higher stiffness (93, 94) or
compressive modulus (95). A crosslinker could be defined as a material capable of
inducing a bond or sequence of bonds between one polymeric chain or polypeptide and
another (96). These links can be covalent or ionic in nature. It has even been shown that
the use of crosslinking results in higher thermal stability of the obtained structures (97,
98). Although the different crosslinking techniques have proven to be effective in
obtaining more stable collagen-based biomaterials with improved mechanical
properties, there is no standard crosslinking technique, but it is necessary to use the

most appropriate depending on the concrete application.

There are three general crosslinking techniques: chemical, physical, and

enzymatic crosslinking.

Chemical crosslinking uses an external agent to create covalent bonds between
collagen fibers, while physical crosslinking uses ionizing radiation, ultraviolet light or
photo-oxidation to create weak bonds (99, 100). Enzymatic crosslinking uses enzymes
to catalyze the formation of covalent bonds. Glutaraldehyde is a widely used chemical
crosslinker because of its low cost, but it has high cytotoxicity and generates an
inflammatory response in surrounding tissues (101, 102). Natural cross-linkers, such as
genipin (103) and polyphenols (104), are less toxic but have a lower degree of
crosslinking (101). Physical and enzymatic cross-linkers showed to produce more

biocompatible scaffolds but with lower stability and enzyme resistance (105, 106).

4 Scaffold mechanical characterization

Cells are mechanosensitive. Therefore, substrate mechanics can modulate
physiological processes at the cellular, molecular and systemic levels (107). In particular,

cells sense the microenvironment in which they find themselves through focal
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adhesions. Focal adhesions have an area of approximately 1 um? (108), which is an order
of magnitude larger than the diameter of collagen fibers (109). Therefore, the cells will
not only sense the mechanical properties of the collagen fibers but their behavior will

be modulated by all the components present in the adhesion area.

Then, to properly characterize a biomaterial, its mechanical properties must be

measured either at the macroscopic and microscopic scales (110, 111, 112, 113).

The mechanical behavior of any material defines its resistance to stress, as well
as to the deformation that this stress causes in the material. Stress is defined as the
internal resistance of the material per unit area to externally applied forces. There are
different types of stress: tensile, compressive, torsional, biaxial, hydrostatic pressure,

and shear stress.

Where:

o: Applied stress (Pa).

F: Force applied (N).

A: Area over which the stress is applied (m?).

Deformation, on the other hand, quantifies how much the shape of a material
changes in response to an external force. Types of deformation are categorized into
tensile, compressive, torsional and shear strain. A linear strain is calculated as shown in

Equation 2.

(2)

Where:
€: Deformation (dimensionless).

L: Length after deformation (m).
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Lo: Initial length (m).

Materials can have the same mechanical properties in all directions (isotropic),
or they can have different mechanical properties depending on the test direction
(anisotropic). Materials can be mechanically characterized in terms of stiffness,
toughness, or hardness, among many other properties. The most commonly used
parameter to define the mechanical properties of a material is stiffness. Stiffness is
defined by the elastic modulus (E, in Pa) or Young's modulus (named in honor of Thomas
Young), which relates the stress and strain parameters in the elastic region of a material.

This law is known as Hooke's Law

™19

(3)

Materials, when subjected to stress, first undergo a recoverable deformation,
which is known as elastic deformation. The modulus of elasticity is the slope of the
stress/strain curve in this elastic zone. If the stress continues to increase and what is
known as the elastic limit is exceeded, the material enters a second zone known as the

plastic zone. The strain in the plastic zone is not recovered (Figure 5).
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Figure 5.- Typical stress (y-axis)-strain (x-axis) curve of a material.
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When a material is subjected to deformation, a relationship appears between
the lateral and axial deformations. This relationship is known as Poisson's ratio, which is

a dimensionless and positive parameter.

=& "% s
v = = SO0 (4)

Poisson's modulus, in addition, relates the shear modulus (G, in Pa) of a linear

isotropic material to its elastic modulus.

E

C=2aTn

(5)

In materials science, composite materials are defined as those materials formed
by the union of two or more materials, obtaining a combination of properties that the
original materials do not possess. Any tissue in the human body, including the ECM, is
composed of a diverse combination of materials (collagen, elastin, etc.). For this reason,
the ECM can be considered a composite material. The mechanical properties of a
composite material at the macroscopic level are different from the sum of the properties
of its components; they even differ depending on the 3D distribution of these

components (114, 115, 116).

4.1 Micromechanical properties: Atomic Force Microscopy

Conventional microscopes, due to the diffraction limit of the light (=200 nm),
cannot show structures with nanometer resolution. To overcome this obstacle, in 1931,
physicist Ernst Ruska and engineer Max Knoll developed the first prototype of an
electron microscope (117). The electron microscope uses a beam of accelerated
electrons as an illumination source, achieving a resolution of close to 50 pm. However,
these microscopes have the disadvantage that the sample must be coated with a

conductive material and the visualization must be carried out in a vacuum chamber.

It was in 1986 that Binning et al. (118) invented the atomic force microscope
(AFM), a mechano-optical instrument with a resolution capable of detecting forces of

the order of nanonewtons. For this purpose, the AFM uses a sharp tip with which it
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traces a surface to obtain a 3D topographical map of the sample. The main advantage
of AFM is that the sample can be directly characterized under physiological conditions.
In addition, the interaction forces generated between the tip and the sample can be
quantified with the AFM by applying pressure or by pulling on it. In this way, the AFM
can be used as a force sensor, and it has been widely applied in the field of biomedicine

to study the mechanics of cells and tissues (119, 120, 121).

AFM uses, as a mapping or measuring element, a beam, called cantilever, which
is flexible and ends in a micrometric-shaped tip. The cantilever is positioned by a system
of piezoelectric actuators, adjusting the sample-tip position in 3D. For mechanical
measurements, the tip is brought close to the sample and a certain compressive force
(F) is applied to the sample, which produces an indentation (6) on the surface. In the
same way, the sample generates a force of equal magnitude and opposite direction on
the cantilever, which produces a deflection (d). To quantify this deflection, a laser is
projected against the back face of the cantilever. The laser reflects and projects onto a

photodiode, which registers the voltage (V) that reaches it (122, 123) (Figure 6).

The function of the cantilever is similar to that of a spring. Therefore, by means
of Hooke's Law, the force can be obtained from the deflection, the offset (do) and the

spring's elasticity constant (k).

F=k-(d—dp) (6)

For accurate force measurements, it is essential to calibrate the spring constant
of the cantilever correctly. For this purpose, there are several methods in the literature
(124, 125, 126, 127). However, the first and simplest reported method is based on
analyzing the thermal noise of the cantilever deflection fluctuations and applying the
Energy Equipartition Principle (EEP) (128). As most AFMs measure d indirectly, Butt et
al. (129) introduced a correction factor (Ci = 0.82) that allowed k to be calculated fairly
accurately.

kT

_— (7)
< Ad? >

=
I

Ci
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Where:

ks: Boltzman constant.

T: Temperature (in Kelvin)

<Ad?>: Average of the square of the cantilever fluctuations.

Once the cantilever deflection has been calibrated, the indentation on the

sample can be calculated.

§=z—27.—(d—dy) (8)

Where:
z: Displacement of the cantilever with the piezo actuator.

z.: Vertical displacement of the cantilever when the tip contacts the sample.

Photodetector
Laser beam n
2|
Cantileve — W

Figure 6.- Schematic view of an AFM system with a spherical tip

Figure 7 shows a typical force/indentation curve. Briefly, the horizontal line is the
non-contact zone, so the force in this zone is zero. The point of contact between the tip
and the sample is represented as the change in slope between the horizontal line and
the upward curve. Once the contact point is reached, the measurement enters the

contact zone. In the contact zone, the force grows non-linearly with indentation.
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Figure 7.- Force/Indentation curve (130)
The local modulus of elasticity of the sample (En) can be calculated by fitting a
contact model which depends on the geometry of the tip. The two most commonly used

models are the spherical tip model (eqg. 9) (122) and the pyramidal tip model (eqg. 10)

(131).
1
_4En Rz, o)
3(1—-v?)
_ Ep-tan(0) , (10)
V2 (1-v)
Where:

R: Radius of the sphere.
u: Poisson's modulus.
©: Mean angle of the pyramid.

The AFM contact model makes several assumptions: the sample is elastic and
linear, as well as isotropic; the surface area is infinite relative to the tip; the
deformations performed on the sample remainin the linear regime; there is no adhesion

between the sample and the tip (132).
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Spherical tips are generally preferred for mechanical measurements of ECM
models of decellularized tissue and soft tissue (133) samples because they have a larger
sample contact area, which allows measuring soft samples by averaging several ECM
components at the same time while avoiding the large mechanical stresses associated
with sharp tips. Pyramidal tips, on the other hand, have a higher lateral resolution due
to their smaller sample contact area, but are also more prone to variability in very
heterogeneous ECM samples and may cause undesirable mechanical stresses in soft
samples (134). However, it is important to point out that contact mechanics models
commonly used to analyze AFM measurements assume infinite lateral dimensions of
the sample compared to the tip dimensions, or at least an order of magnitude larger. If
this requirement is not met with spherical tips, it becomes indispensable to use

pyramidal tips (112).

To characterize the mechanical properties of a tissue, 10-50 um thick slices are
cut and adhered to a glass slide. To prevent the stiffness of the support from interfering
with the measurement of En, the indentation should be less than 10% of the thickness

of the sample (typically, 1 um is indented) (135).

A very common effect is the adhesion between the tip and the sample, especially
when characterizing cells or tissue (136, 137). To minimize this, SiO; or borosilicate tips

are used instead of polystyrene.

4.2 Macromechanical properties: Tensile and compression testing

The union of all the micrometric components of the ECM forms a tissue, which is
a composite material with measurable mechanical properties at the macroscopic level.
For this purpose, several tests are available. A very common test in materials
engineering is the uniaxial test, in which the sample is subjected to unidirectional stress
until the desired strain occurs or until the sample breaks (138, 139). The uniaxial test
guantifies the resistance of a material to a slowly applied force, with a strain rate that

can be adjusted for each individual case.

In soft and physiological tissues, it is common to perform this test horizontally,

which allows the sample to be kept immersed in a culture medium and at a physiological
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controlled temperature (113, 140). The uniaxial testing device consists of a servomotor
capable of stretching the sample to the desired length (L) while sensing the force (F)
applied toit. The tissue strip must be of small dimensions (a few millimeters) to prevent

the weight of the sample become bent and thus affecting the measurement.

The mounting of the tissue strip is done applying superglue to two hooks. One of
the hooks is attached to the fixed part of the setting while the other hook is attached to

the servo-controlled actuator (Figure 8).

Figure 8.- Diagram of the sample uniaxial tensile setup.

Langrangian strain (&) can be calculated by the length after deforming the sample
(L) and the initial length of the strip (Lo).

=—_-1 11
€ I (11)

Langrangian stress (o) is calculated by the ratio of the force applied to the end of
the strip (F) to the cross-sectional area of the strip (Ao). Since the cross-sectional area is
difficult to measure in soft tissue, it is calculated by the mass of the strip (m), its initial
length (Lo) and the density (p), which is assumed to be equal to that of water (1.06

g/cm?3).
g=—=—L20 (12)
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Figure 9 shows a typical stress-strain curve performed by tensile testing. Cyclic
deformations are applied to the sample. There is a stretching zone (upward curve) and

a relaxation zone (downward curve).

o (Pa)

Stretching

€ ()
Figure 9.- Typical stress (y-axis) vs strain (x-axis) curve performed by tensile testing.

On the other hand, a compression test on a hydrogel is performed to quantify
the force required to compress instead of stretching the sample. For this purpose, the
sample is loaded on the support plate and the measuring device is adjusted according
to the size and shape of the sample. The load is then applied to the sample in a gradual
and controlled manner, using a constant strain rate and recording the data during the
compression process. By analyzing the recorded data, the mechanical properties of the

hydrogel, such as its Young's modulus, can be obtained.

4.3 Rheological characterization

Flowing materials can be studied by the rheology technique. Rheological
characterization is performed from the relationship between stress and strain. The
stress applied to a sample in a rheological study is a stress parallel to the area of the

sample. The difference with respect to both AFM and the tensile test is that in those
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cases the deformation is perpendicular to the area of the sample. Thus, rheology

evaluates the transverse modulus of elasticity.

The first scientist to talk about “rheology” was Robert Hooke, in 1678, in his book
"True theory of elasticity", where he established the term modulus of elasticity (G) as
the proportionality between stress (t) and strain (y) for materials in a solid state. Later,
in 1687, Isaac Newton, in his work "Philosophiae Naturalis Principia Mathematica",
studied the behavior of liquids and named the term viscosity (n) for the first time,
defining it as the constant of proportionality between the applied stress and the strain
rate. However, only a few fluids behave according to this law of proportionality. These

fluids are known as Newtonian fluids, such as water or glycerol.

For many years, materials were classified as Newtonian liquids (eq. 13) or
Hooke's solids (eqg. 14), depending on their behavior. However, when testing different
solid materials, it became clear that Hooke's Law was fulfilled for certain stresses, but
above a certain stress, the material did not recover its original length. James Maxwell,
in 1867, proposed that the properties of a substance are a combination of an elastic and

a viscous component, giving rise to the term "viscoelasticity".

In this way, it was defined that materials can exhibit elastic, viscous or
viscoelastic behavior (a combination of both). In addition, in the mid-20th century, the
study of rheology was further developed. Viscosity was found to be dependent on other

factors, such as time (thixotropy and rheopecty).

d
T=n—u=m'/ (13)

dy
T=G-y (14)

In contrast to Newtonian fluids, Non-Newtonian fluids show a non-linear relation
between shear stress and strain. This relationship defines the shear thinning or shear
thickening behavior of the sample. The performance of this association between shear
stress and strain defines the parameter n (dimensionless), which represents the fluid
flow behavior index (Figure 10). Shear thinning behavior is characterized by a n<1, which
means that the biofluid is classified as pseudoplastic, where the viscosity decreases as
the strain increases. Shear thickening behavior is characterized by a n>1, which means

that the biofluid is classified as dilatant, where viscosity increases as the strain increases.
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When n=1, the fluid follows a Newtonian behavior, where viscosity is constant at any

strain (141).

Shear Thickening
n>1
Newtonian Fluid
n=1
‘©
o
[
)
g
5
= Shear Thinning
n>1
Strain, y [-]

Figure 10.- Fluid flow behavior index.

The shear stress and the strain amplitude are applied to develop a sinusoidal
stress (G*, in Pa), which represents the complex mechanical impedance of the measure.
This sinusoidal stress describes the entire viscoelastic behavior of a soft material, and it

is defined by the quotient of shear stress (t, in Pa) by strain (y, dimensionless).

The storage modulus (G’, which measures the elastic component) is the real part
of G* and the loss modulus (G”, which measures the viscous component) is the
imaginary one; both represent the solid-state and the liquid-state behavior of the
sample, respectively. As an indicator of the variation between storage and loss modulus,
the phase angle (8, which represents the relationship between G’ and G”) can be

computed, whose tangent angle determines the viscous-elastic response (142).

Complex viscosity (n*, in Pa-s), which defines the resistance to flow as a function
of angular velocity (w), can be expressed as the relationship between the dynamic

viscosity (n’) and the storage viscosity (n”’). It is also possible to define the dynamic
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viscosity (calculated from the loss modulus, G”) as the real part of n*, while the storage
viscosity (calculated from the storage modulus, G’) represents the imaginary part. Thus,

the relationship can be expressed in the following form:
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Figure 11.- lllustration of a rheological oscillatory test.

(16)

Studying the rheology of ECM-derived hydrogels is essential to develop
scaffolds with improved mechanical properties. ECM hydrogels are highly viscoelastic
materials (143), so their mechanical behavior varies with time and with variables such
as deformation, frequency, or temperature (144). On the other hand, being structures
composed of polymeric macromolecules (proteins) and water, their behavior is
influenced by the interaction of these two components. Therefore, understanding the
rheological behavior of hydrogels is essential to understand how the properties of

their components influence their mechanical behavior.

5 3D Bioprinting

3D printing, also known as additive manufacturing (AM), is based on the idea of
building a three-dimensional object that has been previously designed or digitized by
using a computer. This object is made by depositing material in one layer in the XY plane
and then printing more layers in the Z axis. Currently, this technology is used in several
fields, such as in the food (145) and fashion industries (146) or in the health sector
(bioprinting) (147, 148).
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Figure 12.- Scheme of 3D bioprinting process (149).

Bioprinting of scaffolds using AM has been widely used in biomedical research to
fabricate, replace, and regenerate damaged tissues. Moreover, this technology, thanks
to its ability to faithfully reproduce the structure to be replicated, has opened the door
to personalized medicine (150, 151). Thus, thanks to 3D bioprinting, different
biomaterials or cell-laden solutions can be deposited layer by layer with great precision
(152, 153), both separately and simultaneously. Biomaterials that can be printed, either

with or without cells, are usually referred to as bioinks (154, 155).

However, bioinks have different rheological properties depending on the
biomaterial they are made of. Therefore, it is mandatory to know the properties of the
bioink (rheological properties, gelation kinetics, surface tension, etc.) to optimize the

parameters of the printed scaffold (geometry, stiffness, cell density, etc.) (156).

Currently, there are several bioprinting methods, which can be subdivided into
three broad categories: material extrusion (piston extrusion, pneumatic extrusion,
screw extrusion, etc.), inkjet bioprinting (piezoelectric and thermal) and
photopolymerization (stereolithography (SLA), Digital Light Processing (DLP), Laser-
Induced Forward Transfer (LIFT), etc.) (157).

Depending on the final application, the bioprinting technique to be used should

be different. For example, for skeletal tissue manufacturing, material extrusion
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methods, such as Fused Deposition Modelling (FDM), are commonly used (158). On the
other hand, the inkjet bioprinting technique is becoming a practical technology for

hydrogel-based bioinks (159, 160).

5.1 Extrusion bioprinting

Material extrusion is the most commonly used method in bioprinting (157).
Generally, the bioink is introduced into a plastic syringe and extruded mechanically or
pneumatically through a nozzle (161). In this method, a bioink filament with a relatively
high thickness (approximately 150-300 um in diameter at least) is extruded (162, 163).
Regarding the different extrusion methods, the screw deposition system gives more
control over the scaffold definition and can extrude more viscous biomaterials (164);
however, the higher pressure generated by this screw system can, due to the higher
pressure exerted, break cell membranes, resulting in less cell viability in the developed
scaffolds (165). Therefore, thanks to the possibility of adjusting the air pressure,

pneumatic deposition is used for a wide range of viscosities.

The main advantage of the extrusion method is the ability to bioprint
biomaterials with high viscosity (approximately 3-:10°> mPa-s) with high cell density, even
spheroids (156, 166, 167). On the other hand, the main disadvantages of this method
are related to its lower resolution than other methods (approximately 1 mm resolution),
the possibility of needle clogging and lower cell viability due to shear stress (164, 166,
168).

In the case of bone regeneration, the FDM technique has been used to produce
customized bone implants by 3D printing biocompatible materials (169). These implants
can be designed to fit the specific shape and size of the defective bone, which can
improve patients' ability to heal and reduce the risk of complications (170). In addition,
the FDM technique has also been used to produce bone casts for laboratory research
(171) and for the production of bio-prostheses to replace damaged or missing body parts

(172).
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5.2 Inkjet bioprinting

In the inkjet bioprinting method, small droplets of bioink (between 10-50 um in
diameter, equivalent to 1-100 picolitres) are deposited precisely onto a structure or
substrate (173). The two most commonly used methods in the inkjet printing of cells are
thermal and piezoelectric inkjet bioprinting (174). Although these methods reach very
high temperatures locally (over 300 °C), this occurs for a short time (2 us), and several
studies have validated that the cells are not affected by this temperature rise (175, 176,
177).

A key parameter in inkjet bioprinting is surface tension. Surface tension is the
result of the cohesive forces that exist between the individual components of the bioink.
For reaching droplets in bioprinting by this method, the charges on the surface of the
bioink must be weaker than the surface tension (174). However, if cells are added to the
bioink, the surface tension decreases, decreasing as the concentration of cells in the

bioink increases (178).

One of the main limitations of inkjet bioprinting is the high shear stress it
produces on the bioink, which negatively influences cell viability (179). Therefore,
bioinks suitable for use with this method must have very low viscosities (<10 mPa-s) and

low cell density (<10° cells/mL) (156).

5.3 Photopolymerization

In photopolymerization or light-curing, a light source is used to polymerize a
biomaterial. This method has been used for several years in the dental field (180). Today,
this polymerization is mainly carried out using ultraviolet (UV) light, but also visible light.
The wavelengths used range from 254 nm to 800 nm (181). However, when working in
the UV region, cell viability can be negatively affected (182). In addition, visible light has
been shown to have greater penetration into the material, resulting in more uniform

hydrogels (183).

The two most commonly used light-curing methods are Stereolithography (SLA)
and Digital Light Processing (DLP). The main difference between both methods is that,

in SLA, there is a light source that draws the structure to be crosslinked, while in DLP a
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complete image of the layer to be crosslinked is projected at that moment (184). The
main advantages of photopolymerization bioprinting are its resolution (50 um) (185,
186) and the ability to work with bioinks of any viscosity. However, its main limitation is

that it does not support working with multicellular structures (187).
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Figure 13.- Schematic view of different bioprinting methods (188).

6 Bioprinted scaffolds for 3D cell culture

6.1 cECM hydrogels in tissue engineering

Several research groups have studied the use of extracellular matrix-derived
biomaterials reconstituted in the form of hydrogels, with COL | being the most
commonly used material (189, 190, 191, 192). However, the properties of an ideal
cellular scaffold should structurally and biologically resemble those present in the ECM
of the tissue to be mimicked. Research groups are using decellularized ECM as the main

material to make hydrogels nowadays (193, 194, 195).
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One of the most studied organs to obtain decellularized ECM is the heart (196);
it can be decellularized by perfusion (63) (by cannulating the aorta) or by diffusion (69)

(by sectioning the myocardium into thin slices before decellularization).

Wainwright et al. developed one of the first protocols for the decellularization of
a pig heart by successive retrograde aortic perfusion with hypertonic, hypotonic,
enzymatic, acidic, and detergent solutions. They demonstrated how decellularized ECM
maintained the collagen, elastin, and GAGs of native tissue, while the biaxial rupture
strength of cECM showed no difference compared with native tissue. In addition, they
seeded chicken embryonic cardiomyocytes (cCM) on decellularized tissue, showing how

the cECM laminin supported the organized formation of cCM sarcomere structure (63).

On the other hand, Singelyn and co-workers reported the first protocol for the
decellularization of a pig heart by diffusion and subsequent production of an injectable
hydrogel from decellularized cECM. They obtained a hydrogel with a cECM
concentration of 8 mg/mL. They compared the cell viability of these hydrogels by
seeding neonatal rat cardiomyocytes on top of the structures, demonstrating that the
cell viability was comparable to that obtained in collagen hydrogels. In addition, they
evaluated the chemo-attractive properties of the hydrogel by analyzing the migration of
human coronary artery endothelial cells (HCAECs) and rat aortic smooth muscle cells
(RASMCs). The migratory capacity of RASMCs was statistically superior through the
cECM-derived hydrogel compared to collagen hydrogels, while no significant differences

were seen for HCAECs (197).

Johnson et al. extended the work done by Singelyn et al. as they analyzed how
variations in gelation conditions affected the cECM-derived hydrogel. Specifically,
temperature, salt concentration, amount of ECM and pH affect gelation. To do this, they
tested hydrogels at two different concentrations (6 mg/mLand 8 mg/mL), pH values (7.4
or 8.5) and salt concentrations (0.5x, 1.0x and 1.5x PBS). Finally, they tried to gel for 24
hours at 4°C, 22°C or 37°C. The first notable result of this study was that, unlike collagen
hydrogels, the cECM-derived hydrogels did not form fibrils at 4°C or 22°C, remaining
liquid at both temperatures; thus, only the material at 37°C was able to form a hydrogel.
Changes in salt concentration proved to be critical in hydrogel stiffness and gelation

kinetics. Thus, hydrogels with a 1X PBS concentration required 67.14 + 3.40 minutes to
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gel at 37°C, while hydrogels with a 0.5X PBS concentration only took 21.27 + 2.33
minutes. However, hydrogels with a 1.5X PBS concentration required gelation times
longer than 8 hours. Changes in pH did not show significant changes. Finally, increasing
the cECM concentration from 6 mg/mL to 8 mg/mL showed an increase in the complex
viscosity in the liquid state and an increase in the storage modulus once gelled.
Therefore, they showed how the properties of cECM-derived hydrogels can be modified

by altering their processing conditions (88).

Pati et al. used this cECM-derived bioink to bioprint, using a multi-head
bioprinter, a three-dimensional cell-laden structure. To print several layers and form a
stable structure, they used a support material, polycaprolactone (PCL), which was
deposited parallel to the bio-ink to achieve higher resolution. They also managed to
bioprint a simple structure using only the cECM-derived bioink, achieving high cell
viability (greater than 90% at day 14) and allowing the cells to connect three-

dimensionally with each other (198).
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Figure 14.- cECM-derived bioink developed by Pati et al. (198).

Jang and co-workers used the same PCL mechanically supported bioprinting
technique to fabricate a patch that could be implanted in vivo on an infarcted heart. To
this end, they added Vascular Endothelial Growth Factor (VEGF) intending to achieve
rapid vascularization of the cECM-derived scaffold. Cell-laden structures (500 um of

thickness) were bioprinted and implanted in vivo on the infarcted area of the left
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ventricle. After 28 days, the implanted rats showed improvements in cardiac function
compared to the control group (199). This experiment was repeated by Bejleri et al., in
this case cross-linking the patch with gelatin methacrylate (GelMA) and adding human
cardiac progenitor cells (hCPC) to the bioink. The cell-laden structures were implanted
in vivo on infarcted rat hearts and showed improved vascularization and function after

14 days (200).

Recently, Zhu and co-workers described a method for in situ formation of a
cECM-derived patch in the intrapericardial region (iPC). To do this, they prepared a
pregel with induced pluripotent stem cell-derived cardiac progenitors (iPS-CPCs) and
injected it directly into the iPC cavity. In this way, the cavity itself serves as a mold and
the body temperature acts as a catalyst for cross-linking the hydrogel, resulting in a cell-
laden patch that adheres to the myocardium without the need for surgery or bioglue.
Seven days after the injection of the hydrogel into the infarcted heart, they confirmed
the differentiation of iPS-CPCs into cardiomyocytes, smooth muscle cells and endothelial
cells. In addition, iPC injection of iPS-CPCs promoted angiogenesis, reduction of the

infarcted area and decreased the immune response (193) [REF].

Currently, the development of injectable hydrogels is the most studied
technique, as can be seen in the most recent published studies on cardiac regeneration
(201, 202, 203, 204, 205). However, the drawback of this method is the impossibility of
using the scaffold to precondition the cells, since it gels in situ at the time of the
intervention. Moreover, its use with circulating stem cells, such as Bone Marrow
Mesenchymal Stromal Cells (BM-MSCs) (206), means that these may tend to migrate to

other tissues if they are not preconditioned in the substrate to be implanted.

6.2 3D printed PLA composite scaffolds

In addition to ECM-derived materials, biocompatible synthetic materials are also
available for producing personalized grafts via additive manufacturing. The main
advantage of synthetic materials is their tunability. Essential properties such as viscosity,
melting temperature, solidification temperature, etc. can be modified. This advantage

makes them good candidates for use as a material in 3D printing (207).
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One of the fields where most works are being done with synthetic scaffolds is the
bioprinting of bone tissue. For this purpose, several materials have been used in
bioprinting, including hydroxyapatite (166), zirconia (208), polylactic acid (PLA) (209) or
polyvinyl alcohol (PVA) (210), among others. Among them, one of the most widely used
in 3D bioprinting is PLA (211). PLA is a polymeric material that is biocompatible, natural,

cheap, and biodegradable in the human body (212).

Narayanan et al. used PLA nanofibers to reinforce an alginate bioink, resulting in
a nano-reinforced hydrogel with human adipose-derived stem cell-laden cells. After
testing the cell viability of the hydrogel in vitro, they used nuclear magnetic resonance
technology to digitally model a patient's meniscus. The meniscus was then bioprinted
and evaluated for eight weeks. The results showed higher cell viability in PLA nano-
reinforced hydrogels and a 28.5% higher metabolic activity than in hydrogels without
PLA nanofibers. Finally, collagen and proteoglycans were present in the area
surrounding the cells, showing ECM secretion and chondrogenic differentiation (209).
Thus, the use of a biomaterial with the mechanical properties of PLA allows the

bioprinting of tissues or organs of complex sizes.
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Figure 15.- Bioprinting method for nanofibers-reinforced alginate bioink published by Narayanan et al. (209).

35



Development and Characterization of Bioprintable Physiomimetic Scaffolds for Tissue Engineering

On the other hand, Hu and co-workers used PLA as a rigid and biocompatible
support on which to bioprint cell-laden hydrogels. They added murine bone marrow
stromal cells to a gelan gum-poly (ethylene glycol) diacrylate (GG-PEGDA) pregel and,
using a two-head bioprinter, bioprinted the structure of an intervertebral disc with
different patterns and filled them with the bioink. The intervertebral discs bioprinted
with this technique tolerated multiple load cycles (0.1 - 3 Mpa) without leaving the
elastic zone of the material, thus being able to recover the deformation exerted on
them. In addition, the PLA microchannels formed in the printing of the structure

facilitated the exchange of nutrients between the cells embedded in the hydrogels (213).

Kolan et al. used the same technique of using PLA as a support but added
bioactive borate glass (B3) to the PLA. B3 can dissolve rapidly, leaving apatite crystals on
the surface, which helped to integrate the scaffolds with soft and hard tissues. To test
the cell viability of these scaffolds, they bioprinted a PLA+B3 hybrid structure as support
and filled the spaces between lines with a cell-laden gelatin-alginate hydrogel. Cell

viability was shown to be over 80% in areas subjected to normoxia (214).

Since metals and alloys have been extensively used as bone substitutes due to
their mechanical properties (215, 216), Mohammadizadeh and co-workers developed
PLA filaments reinforced with metals such as copper, bronze, or aluminum. Interestingly,
the addition of a metal such as copper worsened the mechanical properties (217). In
parallel, Liu et al. demonstrated that PLA composites with aluminum or copper showed
similar or superior mechanical properties compared to pure PLA (218). However, the cell

viability of these scaffolds has hardly been studied.

More recently, Hari Rak et al. developed a 3D-printed biodegradable PLA
orthopedic screw which was surface-modified by the addition of zirconia and titanium
oxide to improve the mechanical and biological properties. Since orthopedic implants
used to be fabricated using stainless steel or titanium alloys, these materials require
replacement after a certain time. Thus, the use of PLA as a matrix material, which has
high degradation and biocompatibility properties, solves this problem. The authors used
human osteosarcoma cells for analyzing the cell viability of the structures. The scaffold
developed in this study showed an improvement in osteointegration and resulted in a

suitable composite biomaterial for implants in biomedical applications (219).
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Chapter Il. Hypothesis of the thesis

THIS THESIS hypothesizes that a hydrogel with tunable stiffness can be developed to
mimic the mechanical properties of cardiac tissue, with type | collagen as the main
component of the developed scaffold. In addition, this thesis hypothesizes that 3D
printed synthetic composite biomaterials are suitable for direct culture of human bone
marrow mesenchymal stromal cells, showing positive osteocalcin markers after several

days of culture.
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Chapter Ill. Objectives of the thesis

THE MAIN objective of the present work is to develop and characterize novel bioinks for

3D bioprinting in tissue engineering.

Specific objectives:

1)

1)

1)

To develop a protocol for the decellularization of porcine myocardium to

develop extracellular matrix derived hydrogels.

a)

b)

To optimize the enzymatic digestion time of the matrix to achieve the highest
possible stiffness of the resulting hydrogels.
To study the response of cells when cultured in 3D within the developed

scaffolds.

To study and tune the multiscale biophysical properties of silk reinforced

collagen hydrogels to mimic the mechanical properties of the native heart.

a)

b)

d)

To improve the micromechanical stiffness of ECM-derived hydrogels with
varying silk content.

To improve the macromechanical stiffness of ECM-derived hydrogels with
different silk content.

To enhance the printability of the developed bioinks, measuring the
rheological properties of the ECM-derived hydrogels at different strain levels.
To develop bioprinted silk-reinforced hydrogels with fiber diameter

ultrastructure similar to tropocollagen fibers.

To develop 3D printable composite materials from synthetic materials for bone

tissue engineering.

a)

b)

d)

To develop 3D structures suitable for use as in vitro models.

To analyze the need of a collagen coating on the developed scaffolds to
promote cell adhesion.

To evaluate the response of human bone marrow mesenchymal stromal cells
when cultured on the developed scaffolds without collagen coating.

To characterize 3D printed scaffold profilometry by roughness meter analysis

to study the suitability for cell culture without the need for post-processing.
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Chapter IV. Articles in this thesis

THE SCIENTIFIC articles included in the thesis, in which the Ph.D. candidate was a co-

author, are listed below in connection with the different objectives of the thesis:

Aims | and |l: To develop and optimize decellularization protocols applicable to complex

organs that allow extracting and manipulating their ECM. To study and tune the

multiscale biophysical properties of hydrogels developed from ECM of decellularized

tissues.

Hector Sanz-Fraile, Susana Amoros, Irene Mendizabal, Carolina Galvez-Monton,
Cristina Prat-Vidal, Antoni Bayes-Genis, Daniel Navajas, Ramon Farre, and Jorge
Otero. Silk-Reinforced Collagen Hydrogels with Raised Multiscale Stiffness for
Mesenchymal Cells 3D Culture. Tissue Eng Part A. 2020 Mar;26(5-6):358-370.
doi:10.1089/ten.TEA.2019.0199. IF: 3.845. Q2 (35/89).

Héctor Sanz-Fraile, Carolina Herranz-Diez, Anna Ulldemolins, Bryan Falcones,
Isaac Almendros, Nuria Gavara, Raimon Sunyer, Ramon Farré and Jorge Otero.
Characterization of Bioinks Developed from the Gelification of the Extracelullar

Matrix obtained from Decellularized Porcine Myocardia. In manuscript.

Aim IlI: To develop additive manufacturing techniques for constructing complex

synthetic composite scaffolds.

Buj-Corral, Irene; Sanz-Fraile, Hector; Tejo Otero, Aitor; Xuriguera, Elena; Otero,
Jorge. Biocompatible 3D Yttria-Stabilized Zirconia Parts using Direct Ink Writing.
In manuscript.

Irene Buj-Corral, Héctor Sanz-Fraile, Anna Ulldemolins, Aitor Tejo-Otero,
Alejandro Dominguez-Ferndndez, Isaac Almendros, Jorge Otero. Characterization
of 3D Printed Metal-PLA Composite Scaffolds for Biomedical Applications.
Polymers (Basel). 2022 Jul 5;14(13):2754. doi: 10.3390/polym14132754. IF:
4.967. Q1 (16/90).
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results
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Silk-Reinforced Collagen Hydrogels with Raised
Multiscale Stiffness for Mesenchymal Cells 3D
Culture

Hector Sanz-Fraile, Susana Amoros, Irene Mendizabal, Carolina Galvez-
Monton, Cristina Prat-Vidal, Antoni Bayes-Genis, Daniel Navajas, Ramon
Farre, and Jorge Otero

Tissue Eng Part A. 2020 Mar;26(5-6):358-370

IF: 3.845. Q2 (35/89)
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ORIGINAL ARTICLE

Silk-Reinforced Collagen Hydrogels with Raised Multiscale
Stiffness for Mesenchymal Cells 3D Culture

Hector Sanz-Fraile, MSc,! Susana Amoros, MSc,?? Irene Mendizabal, MSc, Carolina Galvez-Monton,
PhD,™*

Cristina Prat-Vidal, PhD,? Antoni Bayes-Genis, MD, PhD,?™*® Daniel Navajas, PhD,*”:8

Ramon Farre, PhD,*”° and Jorge Otero, PhDY”

Type | collagen hydrogels are of high interest in tissue engineering. With the evolution of 3D
bioprinting technologies, a high number of collagen-based scaffolds have been reported for
the development of 3D cell cultures. A recent proposal was to mix collagen with silk fibroin
derived from Bombyx mori silkworm. Nevertheless, due to the difficulties in the preparation
and the characteristics of the protein, several problems such as phase separation and collagen
denaturation appear during the procedure. Therefore, the common solution is to diminish the
concentration of collagen although in that way the most biologically relevant component is
reduced. In this study, we present a new, simple, and effective method to develop a collagen—
silk hybrid hydrogel with high collagen concentration and with increased stiffness approaching
that of natural tissues, which could be of high interest for the development of cardiac patches
for myocardial regeneration and for preconditioning of mesenchymal stem cells (MSCs) to
improve their therapeutic potential. Sericin in the silk was preserved by using a physical
solubilizing procedure that results in a preserved fibrous structure of type | collagen, as shown
by ultrastructural imaging. The macro- and micromechanical properties of the hybrid hydrogels
measured by tensile stretch and atomic force microscopy, respectively, showed a more than
twofold stiffening than the collagen-only hydrogels. Rheological measurements showed
improved printability properties for the developed biomaterial. The suitability of the hydrogels
for 3D cell culture was assessed by 3D bioprinting bone marrow-derived MSCs cultured within
the scaffolds. The result was a biomaterial with improved printability characteristics that
better resembled the mechanical properties of natural soft tissues while preserving
biocompatibility owing to the high concentration of collagen.

1 Unit of Biophysics and Bioengineering, School of Medicine and Health Sciences, Universitat de Barcelona,
Barcelona, Spain.
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Institute, Badalona, Spain.
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Keywords: collagen, silk, hydrogel, mesenchymal cells, 3D bioprinting, multiscale mechanics

Impact Statement

In this study, we report the development of silk microfiber-reinforced type | collagen hydrogels
for 3D bioprinting and cell culture. In contrast with previously reported studies, a novel
physical method allowed the preservation of the silk sericin protein. Hydrogels were stable,
showed no phase separation between the biomaterials, and they presented improved
printability. An increase between two- and threefold of the multiscale stiffness of the scaffolds
was achieved with no need of using additional crosslinkers or complex methods, which could
be of high relevance for cardiac patches development and for preconditioning mesenchymal
stem cells (MSCs) for therapeutic applications. We demonstrate that bone marrowderived
MSCs can be effectively bioprinted and 3D cultured within the stiffened structures.
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Introduction

Hydrogels are hydrophilic polymer networks
holding vast quantities of water and
presenting mechanical properties similar to
those found in soft biological tissues. With the
development of 3D bioprinting technology,
which allows for customized and high-
throughput development of scaffolds, the
research interest in naturally derived hydrogels
for tissue engineering and regenerative
medicine applications has increased
dramatically. Scaffolds based on cell-laden
hydrogels can be 3D printed layer-by-layer using
different technical approaches.! Hydrogels
mimicking native soft tissue microenvironments
and 3D constructs with different shapes can be
fabricated in an automated way. In recent years,
a high number of different biomaterials have
been used as 3D scaffolds for cell culturing and
for 3D bioprinting.?
Naturally derived type | collagen hydrogels are
widely employed since they are biocompatible
and biodegradable and, importantly, because
they can modulate cell function because their
fibrous structure of binding ligands to cell
surface receptors.® Collagen | hydrogels have the
drawback that they experience considerable
volume reduction when cells are cultured within
them.* Another limitation of collagen | hydrogels
is that they exhibit a stiffness (a few hundreds of
Pa) that is lower than natural tissues such as
those in the lung and heart. Given that
mesenchymal stem cells (MSCs) are
mechanosensitive,” it is important to culture
them in a physiomimetic mechanical
environment, which requires a 3D substrate
stiffer than conventional collagen | hydrogels.

Modification of the mechanical properties of the
3D scaffolds where MSCs are cultured is a
growing research area for several tissue
engineering applications. In vivo, one of the
most important applications is the generation of
cardiac patches for myocardial infarction
therapy.® Although MSCs have very limited
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capacity for cardiac differentiation, they have a
therapeutic impact in cardiac regeneration
mainly due to their immunosuppressive profile
and paracrine effects.” Scaffolds are needed
because it has been shown that only a small
percentage of the transplanted cells (by
injection or perfusion) engrafts into the host
myocardium, with the result that the duration of
the therapeutic secreted factors is quite limited®
if the cells are transplanted without a scaffold
for retaining them close to the damaged tissue.
Commercially available cardiac patches are
based in glutaraldehyde-fixed bovine
pericardium,” but they present several
limitations and *25% of patients need a second
surgery after a short period of time.'°
Accordingly, considerable research is currently
developed in this field.

In vitro, it is well known that the secretion of
several cytokines is regulated by the stiffness of
the microenvironment where MSCs are
cultured.'® In cardiac tissue engineering, it has
been shown that differentiation requires stiffer
scaffolds (with elastic modulus in the range of
hundreds of kPa) while beating behavior is
better accomplished with softer scaffolds
(elastic modulus in the range of kPa).?2
Therefore, the tunability of the mechanical
behavior of scaffold is of high importance for the
in vitro culture of MSCs aimed at therapeutic
applications, for instance when culturing cells
for cardiac patches where their paracrine effects
should be enhanced while differentiation is not
an objective.

3D bioprinting is considerably modifying the
production processes of scaffolds as it offers the
possibility to fabricate a high number of
replicates, thus reducing the batch-tobatch
variability.!* Thus, besides having the desired
mechanical properties, hydrogels for cardiac
patches and for scaffolds to precondition MSCs
should be easily bioprintable. Stiffer collagen
hydrogels can be obtained by increasing protein
concentration,® although this procedure makes
difficult their manipulation and 3D printability
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because of a dramatic decrease in gelation
time.® Moreover, their viscosity in the pregel
phase is not stable, which makes difficult to set
up the bioprinter as the pressure applied needs
to be adapted during the printing process.

Another possible strategy to obtain stiffer
hydrogels is by means of physical (usually with
UV radiation) or chemical crosslinking the
collagen  structure.'”  Nevertheless, such
crosslinking processes are known to modify the
physiological cell response (or even to be
cytotoxic) when culturing MSCs within the
scaffolds.’® However, a common strategy to
increase hydrogel stiffness is to mix collagen
with other natural or synthetic biomaterials,
being alginate,’® polyethylene glycol, and
polycaprolactone?® the most widely employed.
Recently, silk-derived materials have started to
be used with this purpose.?’™® Although it is
possible to obtain silk from spiders,?* the vast
majority of reported studies use silk derived
from the Bombyx mori silkworm. This material
has been used for years in the textile industry,
soitis cheap and highly available, and it also has
shown its potential as biomaterial for tissue
engineering®?® due to its high biocompatibility,
which is comparable with that of polylactic acid
and collagen.?’"2°Silk is a fibrous protein mainly
composed of fibroin and sericin. The majority of
studies in tissue engineering have used fibroin,3°
because sericin was supposed to have
immunogenic activity.>> Nevertheless, more
recent studies have shown no clear differences
in immunological response when using silk
fibroin or sericin.3 Moreover, some studies are
presenting sericin as a highly interesting
biomaterial, mainly due to its positive effects in
mesenchymal cells like fibroblasts.333
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The aim of this study was to improve the
integration between collagen and sericin-
preserved silk to obtain a useful bioink for 3D
bioprinting hydrogel scaffolds to be potentially
applied in tissue engineering and regenerative
medicine, such as the development of stiffened
cardiac patches and new microenvironments for
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the preconditioning of MSCs. To this end, we
designed and tested a new, simple, and effective
method to dissolve raw silkworm cocoons by
physically milling them into liquid nitrogen (LNz)
and using NaOH as solvent. The ultrastructure of
the resulting hydrogels and their macro- and
microscale properties were assessed by
scanning electron microscopy (SEM), tensile
stretch (TS) tests, and atomic force microscopy
(AFM), respectively. The culture of 3D
bioprinted bone marrow-derived MSCs (BM-
MSCs) within the resulting scaffolds was also
tested.

Materials and Methods

Preparation of silk microfiber-reinforced type |
collagen hydrogels

All animal care and experimental procedures
were approved by the ethical committee for
animal research of the University of Barcelona.
Rat-tail type | collagen was extracted by
following the protocol described in Rajan et al.>®
In brief, tails from Sprague-Dawley rats (male,
350g) were collected as a by-product from other
experiments in the animal facilities of the School
of Medicine. Tendons were extracted from the
tails, rinsed with phosphate-buffered saline
(PBS), acetone, and isopropanol, and then
dissolved in 0.02N acetic acid at 4C for 48h. The
solution was then freeze dried (Telstar
Lyoquest-55 Plus, Terrassa, Spain), and the
resulting sponge was solubilized in 0.02N acetic
acid at a concentration of 10mg/mL and stored
at 4C for further use.

Silk was obtained from raw (sericin-preserved)
B. mori silkworm cocoons (AYARA Health,
Yangon, Myanmar). Cocoons were rinsed in
deionized (DI) water and then milled in LN; by
using a cryogenic mill (SPEX 6755, NJ) to obtain
a micron-sized powder and stored at -80C for
further use. To prepare the pregels, powder was
dissolved in 1M NaOH under magnetic stirring
until no particles were visible.
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Pregel mixtures were prepared by stabilizing the
pH of the type | collagen to 7.4-0.4 with 1M
NaOH, and by stabilizing the pH of the silk
solution with 2M HClI for a final silk
concentration of 70mg/mL. For gelation, the
collagen pregel was mixed with ice-cold pH-
neutralized silk at different ratios of collagen—
silk protein (4:1, 2:1, 4:3, and 1:1, which will be
referred as 25%, 50%, 75%, and 100% of silk
content with respect to the collagen,
respectively), resulting in a final concentration
of the collagen protein of 7.8mg/mL. For 3D
structures formation, the pregels were
incubated at 37C for 45min to jellify.

Bioink development

Human BM-MSCs (ATCC, VA) were expanded
following the manufacturer’s instructions.
Expanded BM-MSCs were trypsinized and
resuspended in culture media (1-10° cells/mL)
and mixed with the collagen control, 50%, and
100% silk-containing collagen pregels before 3D
bioprinting (n=3 for each concentration).
Control BM-MSCs were cultured on standard
plastic substrate. All experiments were
conducted with cells at passages 2—4.

Ultrastructure characterization by scanning electron
microscopy imaging

The ultrastructure of the constructs was
characterized using SEM by adapting the
protocol described in Wolf et al.?® In brief,
acellular and BM-MSCs laden hydrogel scaffolds
(cells cultured for 48h) containing 0%, 50%, and
100% weight silk content with respect to the
collagen protein were fixed for 48h in 4%
paraformaldehyde in PBS and then washed
three times in 0.1M phosphate buffer for 10min
each and then incubated in 4% OsO, for 90min.
The next step was a series of washes with DI
water until there was no 0sQO, inside the
container where the samples were hanged on.
Then, samples were dehydrated in ethanol
solutions, with increasing concentrations from
50% till absolute ethanol at 4C, and critical point
dried (autosamdri-815 critical point dryer;
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Tousimis, Rockville, MD). Samples were
mounted using conductive adhesive tabs (TED
PELLA) and they were carbon coated before
imaging with a JSM-6510 (JEOL, Tokyo, Japan)
SEM at 3kV.

Swelling and degradation

Swelling and degradation of the scaffolds were
studied as described in Wang et al.®’ After
preparation of the three replicates for each
condition of the hydrogels, they were weighted,
freeze dried, and immersed in PBS at pH 7.4.
During 3 weeks, hydrogels were taken out at
certain time points and weighted to determine
the amount of water, and the results are
expressed as the percentage with respect to the
original weight before freeze drying.

Measurement of microscale mechanical
properties by atomic force microscopy

The microscale stiffness of silk-containing
acellular hydrogels was measured by AFM.
Hydrogels with specific geometries for these
measurements were developed by bioprinting
molds in F-127 hydrogel (pluronic) (3D Discovery
bioprinter; RegenHU, Switzerland). Squared
structures (5-5- 0.1mm) were bioprinted on top
of positively charged glass slides and then the
pregels were casted into them. After gelation,
pluronic was removed by immersion in PBS at 4C
for 10min. All measurements were performed
inside a bath with PBS at 37C.

Three batches of three replicates for each
sample were fabricated for each silk—collagen
mixture of the hydrogels. Measurements were
conducted by using a custom-built AFM
mounted on an inverted optical microscope
(TE2000; Nikon, Tokyo, Japan) equipped with a
V-shaped silicon nitride cantilevers (0.03N/m
nominal spring constant) ended with a 5mm
radius spherical polystyrene bead (Novascan
Technologies, Ames, IA). Elastic modulus was
computed from the force—displacement curves
by adjusting the Hertz model as described in
Alcaraz et al.®® The micromechanics of each
sample were measured in four randomly
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selected zones. Five force curves (1Hz and
10mm amplitude) in four points randomly
selected and separated *50-100mm from each
other were recorded in each zone.

Micromechanical stiffness (Em) of each sample
was characterized as the average from the
different curves recorded in the sample. The
values for each batch were calculated as the
average of the measurement of three samples
(n=3).

Assessment of macroscale mechanical properties by
tensile stretch and bulk compression tests

For TS, three batches of four strips of hydrogels,
each 5:2:2mm, were fabricated for each
concentration mixture condition of the
collagen—silk hydrogels following the same
procedure than for the AFM samples. One end
of the strip was glued with cyanoacrylate to a
small hook attached to the lever of a servo-
controlled displacement actuator with an
integrated force sensor (300C-LR; Aurora
Scientific, Aurora, Canada), which permitted
stretching the strip and measuring both the
stretched length and the applied force
simultaneously. The other end of the strip was
glued to a fixed hook. The stress and the elastic
modulus at 20% of stretch of each strip were
computed from a series of 10 force-
displacement curves at 0.2Hz frequency and
30% strain, as described in Farre” et al.3°

In brief, the strain—stress curves were calculated
from the force—displacement curves using
geometrical measurements to calculate the
cross section, and the macroscale elastic
modulus (Em) was computed by local derivation
of the curve around the 20% stretching point.
The values for each batch were calculated as the
average of the measurement of four strip
replicates (n=3).

For bulk compression measurements, a batch of
three collagen—silk hydrogels was fabricated for
the control, 50%, and 100% mixtures. Each
hydrogel was shaped as a cylinder of 15.6mm
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base and 10mm height and covered with a
16mm flat-ended cylindrical indentator.
Compression modulus was measured by
applying a compressive force with a custom-
made base indentator system attached to a
servocontrolled displacement actuator with an
integrated force sensor (305C; Aurora
Scientific), which permitted compressing the
sample and measuring both the compressed
length and the applied force simultaneously.

A series of 10 force—displacement curves at
0.2Hz frequency were measured using this
system for each sample: the first and last curves
were discarded for cohesion purposes. The
elastic modulus at compression of each sample
was computed from the mean of those eight
curves given the linear relationship between the
penetration and the mean contact pressure due
to the constant contact area by using Eq. (1).

2Eh

=— (1)

m ™ ra(1-v2)

where Pn is the mean contact pressure, E the
elastic modulus of the sample, h the
penetration, a the radius of the indenter, and m
the Poisson ratio (assumed 0.5).

Printability characterization

Hydrogel rheological properties were measured
by using a HAAKE RheoStress 1 rheometer
(ThermoFisher, MA) with 35mm serrated
parallel plate geometry. Hydrogels were
neutralized just before mechanical testing was
done. To test the hydrogels, pregel solution was
loaded onto a Peltier plate set at 4C and with a
distance between plates of 200mm. The storage
modulus (G¢), loss modulus (G¥), and dynamic
viscosity (I) were measured at a constant 0.1Hz
with a strain of 5%. The temperature of the
plates was constant at 4C for 15min, then
increased to 37C, and held constant for 15min
more.

For 3D bioprinting, a cartridge of the 3D
bioprinter (3Ddiscovery; RegenHU) was filled
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with the pregel solution mixed with the cells and
maintained at 4C during all the printing process.
A secondary printing cartridge was filled with
Pluronic F127 gel (40% v/v in PBS) at room
temperature. Hydrogels were printed at *2 bar
of pressure using a nozzle of 330mm (Nordson
EFD) and F127 was printed at *4.5 bar using a
needle of 200mm (Nordson EFD). The 3D
structures were then constructed layer-by-layer
by alternatively printing an F127 layer, which
served as a template, and a pregel layer that
filled the F127 template layer. After the last
layer was printed, the 3D structures were
incubated at 37C to form the hydrogel. F127
structure was finally dissolved by immersing the
structures in culture media at 4C for 10min.

3D bioprinted cell cultures

BM-MSCs were cultured within the scaffolds and
imaged after staining them with a Live/Dead
viability kit (ThermoFischer) following the
manufacturer’s instructions. Cells were stained
with calcein AM (live cells, green) and EthD-1
(dead cells, red) after 4h and 7 days of 3D
bioprinting the scaffolds (1.5mm in height). As
silk presented high autofluorescence in the red
channel, only qualitative analysis of the green
channel of the images was done. For
morphological analysis of the cells within the
hydrogels, structures at 48h were fixed in 4%
paraformaldehyde for 48h and then immersed
in optimal cutting temperature compound (OCT;
Sigma) and frozen at -80C. Thin tissue slices
(*70mm) were obtained by cryosectioning
(CM3050; Leica Microsystems, Germany) and
placed on top of positively charged glass slides.
OCT was removed by thawing and washing the
samples in PBS solution at room temperature.
Samples were then stained for DNA (NucBlue)
and F-actin (phalloidin). Stained scaffolds were
then imaged by confocal microscopy (TI-HUBC;
Nikon) with a 60-objective.

Statistical analysis

Data are expressed as mean-standard error.
One-way analysis of variance (ANOVA) tests

Chapter V. Scientific article |

were performed to compare changes induced by
the different concentrations of silk in the
mixture. Statistical significance was considered
at p-values <0.05.

Results

Ultrastructure of the scaffolds

Macroscopic images showed no phase
separation between both materials in the
hydrogels (Fig. 1a). The ultrastructural images
(Fig. 1b, c) showed a good integration of BM-
MSCs within the scaffolds, as well as the
incorporation of the silk fibers in the collagen
matrix of the hydrogels. Formation of collagen
microfibrils (*100-200nm) did not seem to be
affected by the incorporation of the silk fibers
(*5—-10mm).

Swelling and degradation

Hydrogels formed purely from collagen or with
a 50% silk content recovered 70-80% of their
original weight, whereas hydrogels with 100% of
silk content recovered their full weight after a
couple of days. There was no observable
degradation of the hydrogels after that during
the 3 weeks of the experiment.

Microscale mechanical properties

The microscale elastic moduli of the hydrogels
were increased by about twofold in the silk—
collagen mixture as compared with pure
collagen, increasing with silk concentration up
to a maximum that was found at the 50% and
100% of silk content (Em=1.26-0.17kPa and
1.31-0.23kPa, respectively) with respect to the
pure collagen control (Em= 0.62-0.13kPa).
Values for hydrogels with 25% and 75% of silk
fell in between, being En of 1.05-0.15kPa and
1.14— 0.03kPa, respectively. One-way ANOVA
revealed a statistical significant effect of silk in
the microscale stiffness of the hydrogels
(p=0.019), which was also significant when
comparing each individual concentration with
the pure collagen control, as shown in Figure 3.
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FIG. 1. Ultrastructure images acquired by scanning electron microscopy. (a) Photograph of the 100% silk-
containing (with respect to collagen) hydrogels showing that there is no phase separation in the scaffolds
between collagen and silk. (b) Different acellular and cellularized scaffolds. (C) Details of the 100% images
show how the cell was making junctions with the collagen fibers and the silk microfiber is well integrated
within the collagen hydrogel.

modulus Ev of 9.93-2.50kPa. The macroscale
mechanical properties were
Macroscale mechanical properties increased by more than twofold in the silk-
reinforced hydrogels, increasing with the silk
concentration up to a maximum that was found
at the 75% (stress of 1.77— 0.05kPa and Ewm of

At 20% strain, control samples showed a stress
of 0.70-0.08kPa and a macroscale elastic
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31.16-2.96kPa) and decreasing in the 100% of
silk content (stress of 1.11-0.11kPa and Ew of
18.42-2.22kPa). Values at 25% and 50%
concentrations fell in between of the control and
the 75% (stress = 1.24-0.05kPa and Em= 19.34—
3.41kPa for the 25% and stress = 1.43—0.34kPa
and Em=23.89-5.82 for the 50%).

One-way ANOVA revealed a statistically
significant effect of silk in the macroscale stress
(p<0.001) and Em (p<0.001) at 20% of strain of
the hydrogels, and for all the groups, as shown
in Figure 4b. Compression test results agree with
the behavior observed for the tensile tests, with
calculated elastic modulus of 2.6kPa (50% silk
content), 2.3kPa (100% silk content), and 1.6kPa
(control).

Rheological characterization

Viscosity and shear modulus increased with the
incorporation of the silk into the hydrogels
(Figure 5). Interestingly, at 4C they remain
constant for the silk-reinforced hydrogels, while
increasing in the pure collagen hydrogels.

Bone marrow derived-mesenchymal stem cells

3D culture within the scaffolds

A high number of viable BM-MSCs were
observed at both 4h and 7 days within the
collagen scaffolds and no remarkable difference
was found for cells cultured in the 50% silk-
incorporated scaffolds and with 100% of silk
content. Cell distribution was homogeneous in
the three directions of the scaffolds as shown in
Figure 6. Morphology of the cells cultured in the
silk-reinforced scaffolds for 7 days was more
elongated with respect to the pure collagen
control as shown in Figures 6 and 7.

Discussion

This study presents a novel physical method to
solubilize and mix silk from B. mori cocoons and
type | collagen from rat tails. This
straightforward method produces stiffened and
stable hydrogel structures that are suitable for
3D  bioprinting and culturing of MSCs.
Interestingly, incorporation of silk microfibers
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into the collagen hydrogels results in a twofold
increase of their macro- and micromechanical
stiffness with no induction of phase separation
between the materials nor affecting cell viability
in the 3D cultures.

The hydrogels preparation method described
here is highly compatible with tissue
engineering  applications due to the
preservation of biocompatibility since no
hazardous reagents or high temperatures were
used. Cryogenic milling is a physical technique
that is widely used in the preparation of
extracellular matrix (ECM)-based biomaterials,*
and alkaline buffer solubilization of silk is a
common procedure.*! Moreover, acid extraction
of type | collagen is known to better preserve
telopeptides in the tropocollagen molecules
than pepsin-based solubilization,** and thus it
produces collagen fibrils with enhanced
capabilities to interact between them and with
other proteins,* as confirmed by SEM images.

In keeping with the aim of the study, silk-
reinforced collagen scaffolds were produced
(maximum silk concentration of 100% with
respect to collagen concentration) instead of
collagen-functionalized  silk  scaffolds. A
multiscale mechanical analysis was carried out
to assess the relationship between the increase
in hydrogel stiffness and silk content, since this
is an adequate methodology to obtain a
complete picture of the mechanical response of
ECM and ECM-mimicking materials.* BM-MSCs,
which are nowadays one of the gold standards
in regenerative medicine due to their
translational potential,**® were cultured within
the scaffolds and a high number of viable cells
were observed after 1 week.

Type | collagen is a good scaffold for 3D cell
culture, and the incorporation of silk in the
preparation of the hydrogels showed an
improvement in their properties in the
presented multiscale study. Some authors have
reported methods for
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FIG. 2. Swelling and degradation for the control
(black), 50% (red), and 100% (brown) silk content
hydrogels. At time 0, the hydrogel was freeze dried,
and the swelling is expressed in percentage with
respect to the original weight before freeze drying.
Color images are available online.

mixing type | collagen and purified silk fibroin or
degummed silk cocoons (without sericin).2%#
However, using silk fibroin alone limits the
mixture to have low concentrations in collagen,
and phase separation between the materials is
often observed. The improvement of blending
(by inducing electrostatic interactions between
the two polymers) is usually carried out by
methods requiring considerable changes in
temperature,”® complex techniques such
electrospinning,** or  using  additional
crosslinkers.”® Nevertheless, these procedures
may result in poor performance or even in
denaturation of type | collagen. In addition,
phase separation has been observed when
mixing collagen with degummed silk cocoons?’
when no additional crosslinkers, such as
horseradish peroxidase or genipin, were used to
create additional bonds in the structure.>*™3

The ultrastructural images of the hydrogels
developed in this study showed that there is no
phase separation between the two biomaterials
or denaturation of the collagen fibrils>*
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FIG. 3. Local elastic modulus measured with atomic
force microscopy (Em) for the different silk content in
the hydrogels. Color images are available online.

or silk microfibers. As fibroin is mainly
hydrophobic®® and sericin is highly hydrophilic,>®
the presence of sericin in the developed
hydrogels may help in the formation of the
structures due to its water retention
capability,®” confirmed by the swelling results
(Fig. 2). In fact, it has been reported that sericin
addition improves the stability of collagen
fibrils.>® The presence of the hydrophilic serine
from sericin®® could aid the interaction between
the alanine from the fibroin beta sheets® and
the proline from the collagen triple helix,
because both amino acids are of hydrophobic
nature. Therefore, the presence of sericin in the
hydrogels seems to help in forming the silk
microfiber structures and their interaction with
the collagen hydrogel observed in the SEM
images (Fig. 1).

Some studies have shown that composite silk
scaffolds, developed by mixing fibers and
hydrogels, have an impact in the robustness of
the constructs,® which is in concordance with
the results obtained in this study for the silk—
collagen composite scaffolds.

Macroscale mechanics of the developed
hydrogels was studied by uniaxial tensile testing
and bulk compression. By using a bioprinted
mold in pluronic to cast the hydrogels before
gelation, samples with very similar geometries

were obtained, thereby reducing the variability



and artifacts in the experiments. Differences in
the macromechanics were quantified by the
stress and elastic modulus at 20% strain, which
is a strain with physiological relevance in
biological application such those involving
cardiac®® and respiratory®? diseases. The values
obtained for pure collagen strips were in
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agreement with previously reported data.®®
Reinforcing collagen with silk microfibers
showed an increase in the values of the stress
and elastic modulus up to a maximum found at
the 75% of silk concentration, where the
increase was between two- and threefold with
respect to the control (Figs. 3 and 4).

P<0.001

Control 25% 50% 5% 100%

Silk content (%) in the hydrogels respect to collagen concentration

P<0.001

P=0.003

P=0.039
P=0.066

Control
Silk content (%) in the hydrogels respect to collagen concentration

25% 50% 5% 100%

FIG. 4. Macroscale mechanical properties of the hydrogels. (a) Strain—stress curves for the control (black),
25% (blue), 50% (red), 75% (green), and 100% (brown) silk content. Data are mean (solid lines)—standard error
(dashed lines). Bulk compression data are shown in the inset for control and silk concentration of 50% and
100%. (b) Stress and elastic modulus (Em) at 20% of strain. Color images are available online.
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FIG. 5. Rheological data (storage [G¢] and loss [GT] moduli, and dynamic viscosity [l]). Temperature (T) was
varied from 4 to 37C. (a) Collagen control. (b) 50% of silk content. (¢) 100% of silk content. Color images are

available online.

The appearance of a maximum augmentation of
elastic modulus for a given silk concentration
was already observed in degummed and
powdered silk cocoons but with much lower
increased stiffness and lower elongation (the
samples broke at *20% strain, whereas in our
experiments, no samples was broken at 30%
strain test).*” These results are in keeping with
the concept that sericin contributes to building
the structure. Microscale mechanics of the
hydrogels were assessed by AFM, which is the
best-suited technique  for mechanical
measurements in the length scale at which cells
sense their micromechanical niche.®* The results
we obtained are consistent with those
measured by the macroscale measurements,
with an augmentation of the microscale elastic
modulus of about twofold in between the 50%
and 100% of silk content (Fig. 1). Therefore, it
seems that the observed increase in
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macroscopic stiffness is related to the
microstructure of the hydrogel and to the good
integration between fibrils and microfibers due

to the presence of sericin.

The rise in stiffness (between two- and
threefold) achieved with the new method
proposed here could seem a modest
improvement, but it is of high importance as the
main protein in the scaffolds is still type |
collagen. Moreover, the ability to tune the
mechanical properties without substantially
changing the concentration of collagen is of high
importance in modeling healthy and diseased
soft tissues, as it is well known that mechanical
communication in cells is crucial.®® For example,
it has been reported that the microscale elastic
modulus of lung parenchyma is =0.7— 1.5kPa,®®
but it can be increased twofold with aging.®
Moreover, the macroscale elastic modulus at
20% of strain of healthy mouse myocardium has
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been reported to increase by twofold when the
animals were subjected to severe obstructive
sleep apnea.®

In the case of cardiac patches, increase in
scaffold stiffness is needed so that they can be
manipulated, sutured, and glued to the native
myocardium, but they should be soft enough to
not alter the normal function of the heart. It has
been reported that the stress at 0.2 strain of the
ventricular myocardium in the longitudinal
direction is *4kPa,®® and the elastic modulus at
this strain is *20kPa.® Collagen scaffolds do not
exhibit these mechanical properties. By
contrast, the silk-reinforced scaffolds have
mechanical properties better resembling those
of myocardium. Consequently, they could be
good candidates for the development of cardiac
patches, since they overcome the common
problems related to the mechanical instability of
naturally derived biomaterials and to the poor
biocompatibility of synthetic materials,’® which
often result in problems such as fibrosis,
arrhythmias, and heart failure requiring
resurgery as the only viable solution.

In contrast, it is well known that even slight
changes in the stiffness of the cell culture
microenvironment could result in important
changes in stem cell fate.”*” It is worth
mentioning that the values of stiffness obtained
for the pure collagen scaffolds are comparable
with the those found in embryos, whereas the
values corresponding to the silkreinforced
scaffolds are more resembling to adult soft
organs such as lung and heart.>’* Therefore, the
hydrogels presented in this study could be a
good model for in vitro development studies.

Another important point regarding the
tunability of scaffold stiffness is the possibility to
optimize the cell microenvironment to optimize
the paracrine effects of MSCs for further
implantation in a recellularized patch for cardiac
regeneration. The morphology of the cells
cultured in the scaffolds was qualitatively
different when silk microfibers were present
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(Figs. 6 and 7), which could be caused either by
the presence of silk or by the stiffening of the
hydrogel. Notwithstanding, BM-MSCs cultured
in silk-reinforced scaffolds for 7 days showed a
more elongated morphology, which has been
recently reported as a predictor of their
immunosuppressive capacity.” Although out of
scope of this study, it is worth noting that silk-
reinforced collagen scaffolds could be of interest
for preconditioning MSCs.”®77

The printability of the developed hydrogels was
assessed by rheometry. Rhelogical properties of
collagen pregels at 4C changed over time. These
changes complicate their use
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FIG. 6. Live confocal images of the
bioprinted bone marrow-derived
mesenchymal stem cells cultured
within 1.27mm-1.27mm-

200mm scaffolds for 4h and 7 days; Z
projection in the center and XZ and YZ
views in the sides. (a) Control collagen.
(b) 50% of silk with respect to collagen
protein. (C) 100% of silk with respect to
collagen protein. Color images are
available online.
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FIG. 7.Images of the cells within the different hydrogels. Scale bar: 100mm. Color images are available
online.

as a 3D printing bioink. By contrast, by adding
silk to the hydrogels, rheological properties
remain stable at low temperature, so the
printability of the developed hydrogels is
superior to that of collagen hydrogels. This
improved printability characteristics will
facilitate the development of personalized
cardiac patches and the high-throughput
fabrication  of  scaffolds for  MSCs
preconditioning for further therapeutic
applications.

A high number of BM-MSCs were alive within
the scaffolds after 3D bioprinting after 7 days
of 3D culture (Fig. 6). It has been reported that
the presence of sericin in silk scaffolds favors
the viability of cultured cells,”® with
endothelial cells surviving twofold more when
cultured in silk with lower sericin removal. As
the live/dead technique is not intended for
guantifying the evolution of cell viability along
a period of time, the results show that the
main objective for the development of cardiac
patches and scaffolds for MSCs
preconditioning was accomplished.

This study focused on the development of a
simple method to develop collagen-silk
scaffolds for 3D bioprinting and cell culture. As
already mentioned, preservation of sericin in
the silk seems to improve the overall
performance of the structures. However,
further research is required to optimize
sericin—fibroin ratio in the scaffolds, as the
proportion that is found in the native
silkworm cocoons (3:1 to 4:1 of fibroin—

sericin, depending on farming conditions)”
has been used in this study. Since protocols to
extract fibroin®! and sericin,®” and to process
them to form hydrogels, have been reported,
it would be possible to modify the ratio
between both proteins in the scaffolds. In
contrast, type | collagen® and silk are being
used in 3D bioprinting applications, and
several techniques to build the scaffolds layer-
by-layer have been

reported.si,s

The developed hydrogels can be effectively
bioprinted if the adequate technique is finely
tuned (using a pluronic supporting structure in
our case) and, when compared with collagen
pregels, present the advantage of stable
rheological properties when maintained at 4C.
One of the most promising techniques is
FRESH (freeform reversible embedding of
suspended hydrogels), where the pregels are
printed in liquid phase within a gelatin-
supporting structure that is further removed
after the gelation of the scaffold,®® because
the technique can be implemented just by
using one printing nozzle.

Potential translation and applicability of the
results of this study into the clinics is also
promising. For preconditioning of MSCs
before cell therapy applications, protocols for
the cells to be produced under GMP (good
manufacturing practice) have been adapted in
the past.®® In the case of cardiac patches, the
protocol described here will need to be
adapted to GMP fabrication, but there are
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several protocols for producing collagen,®* and
silk is currently used in the clinical practice for
sutures, hence translating the developed
technology could be feasible.

Conclusions

The results presented in this study show that
the hydrogels developed by mixing milled raw
silkworm cocoons and rat tail type | collagen
can be used as bioink to obtain scaffolds for
3D bioprinting in tissue engineering
applications such as development of cardiac
patches and scaffolds for MSCs
preconditioning. Their mechanical properties
are improved to better resemble the structure
of soft tissues. The method does not require
toxic chemicals, additional crosslinkers, or
complex physical methods, hence the
procedure could be of high interest for further
studies in 3D cell culture and bioprinting. The
viability of BM-MSCs when incorporating the
silk into the collagen scaffold suggests that the
presented biomaterial can be used as a
platform for in vitro studies where collagen
scaffolds with increased stiffness are required.
Also, the improved printability of the
biomaterial allows high-throughput
fabrication of scaffolds to obtain the high
number of cells required for therapy, thereby
potentially facilitating translation into clinical
practice.
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Abstract: With the rise of 3D bioprinting, synthetic and natural materials have been used to develop bioinks to mimic
the 3D environments for cell culture. In the case of the heart, many of the strategies have been focused on the
development of patches for cardiac repair but they present limitations that can be solved with the use of extracellular
matrix (ECM)-derived hydrogels. In this study a physiomimetic cardiac bioinks based on hydrogels made from
decellularized porcine myocardia are presented. Scaffold ultrastructure revealed that a typical ECM fiber structure
was achieved. Mechanical properties were characterized by rheometry to optimize the bioink production, specifically
the matrix enzymatic digestion time. Human bone marrow mesenchymal stromal cells were used to determine the
response of cells when cultured in 3D within the developed hydrogels. Results showed that hydrogels promoted the

1. Introduction

There is an important lack of organs and replacements in implantology, mainly due to population
aging in developed countries. In the last decades, tissue engineering has emerged as a potential solution to
overcome this progressive reduction of viable donors [1]. In the specific case of the heart, although
engineering an implantable heart in the laboratory is still far away [2], novel grafts based on decellularized
tissue [3] or electroconductive scaffolds [4] have been recently developed. The main idea is to produce
recellularized patches to ameliorate the function of diseased hearts [5]. Ideally, the biomaterial used to
develop these cardiac grafts should mimic as much as possible the natural environment of the native
myocardium. Synthetic materials have been used to develop scaffolds for heart tissue repair, but still
present limitations related with immune responses and biodegradability of the scaffolds [6,7]. Naturally-
derived materials, on the other hand, have been being explored with the idea that they could resemble
better the natural environment of cardiac cells [8,9]. Among the different natural sources to develop these
biomaterials, decellularized tissues are one of the main promising ones [10]. Decellularization is the process
of removing the cells from an organ or tissue while maintaining its extracellular matrix (ECM) proteins [11].
In recent years, protocols for obtaining decellularized ECM (dECM) from virtually every organ and tissue
have been developed [12]. In the case of the heart, dECM from pericardium has been used to engineer
patches for the treatment of myocardial infarct [3]. Rat dECM patches have successfully replaced the right
ventricular outflow tract defect in Lewis rat models, showing no differences between the area in contact
with the patch and the healthy ventricles [13]. Patches have also shown signs of
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crosstalk between cells and between cells and hydrogel. In conclusion, the bioink presented in this work can be used
to develop hydrogels which are promising candidates to be used in cardiac 3D bioprinting for tissue engineering

applications.

neovascularization and nerve sprouting in the
infarcted area that were in contact with either
human pericardial or porcine myocardial
dECM scaffolds [14]. An interesting aspect of
the dECM patches is that, because of their
biomimetic nature, they are able to be
repopulated with human mesenchymal
stromal cells (hMSCs) to enhance their
repairing potential by reducing the scar mass
in the threated area [3,14]. It has been
demonstrated that hMSCs have the capability
to release agents as paracrine factors and
extracellular vesicles (EVs) with
immunomodulatory, anti-inflammatory, and
antimicrobial effects [15-19]. Although these
cardiac patches developed have shown good
outcomes, they still present certain
limitations such as their mechanical
properties and the lack of customized patient-
specific shapes [20,21].

The problem of developing customized-
shape patches can be overcome by the use of
3D bioprinting technology by using the
adequate biomaterials [22]. Recently, it has
been shown that the dECM of different
organs and tissues can be pulverized and
solubilized to form bioprintable hydrogels
[23-25]. These bioinks have the capability to
be loaded with cells or other bioactive
molecules in order to enhance the cell
proliferation [26] or be used as physiomimetic
vehicles for applying MSCs or MSCs-derived
release agents [27,28]. Nevertheless, in the
case of cardiac bioinks, their weak mechanical
properties prevent their use without the need
of mixing the ECM hydrogel with other
biomaterials [29] or the use of additional
crosslinkers [30].

In the present work, an optimized
protocol to produce hydrogels from
decellularized porcine myocardium ECM
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(cECM) is presented. Scaffolds can be
developed without the need of mixing the
cECM with other biomaterial or the
incorporation of additional crosslinkers in the
protocol. The developed bioink was studied
to produce scaffolds for 3D cell culture in
cardiac tissue engineering. The rheological
properties of the hydrogel were assessed by
rheometry as well as its ultrastructure by
imaging with a Scanning Electron Microscope.
The cECM bioink was prepared by loading the
hydrogel with Human Bone Marrow-derived
Mesenchymal Stem Cells (hBM-MSCs) and
the behavior of the cells when cultured in 3D
in the developed bioink was studied by
immunostaining.

2. Results and Discussion

2.1. Macro and ultrastructure of the scaffolds
developed with cECM bioinks

Hydrogels showed a homogeneous
structure with not macroscopically visible
fiber board clusters. Structures formed with
the developed bioink showed enough
strength to be manipulated with tweezers
without breaking them and with the
capability of recover the original shape after a
manipulation (figure 1A). This improvement
with respect previous reported works are due
to working at higher powder concentration
and the optimization of the digestion time
respect to the commonly protocol originally
published by Freytes and coworkers [31].
Thanks to these improved mechanics, a 3D
bioprinted scaffold could be manipulated and
implanted in vivo by bio-glue with the goal of
restoring cardiac functions after myocardial
infarction, which is one of the current
challenges in cardiac tissue research
[3,14,20].
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Figure 1. Structural characterization of the cECM hydrogels. Macro image of the cECM hydrogel, showing a
homogeneous structure and its surgical tool manipulation (a). SEM images of cECM hydrogel (b).

Regarding to ultrastructure, SEM images
of the acellular hydrogels (figure 1B) showed
a fibrillary structure as expected. The average
diameter of the fibers of the cECM hydrogel
was 126 + 8 nm. These data coincide with the
diameter of tropocollagen fibers [32], which is
consistent with the collagen | fibrils, reported
to be in the 100-nm diameter range [33]. The
structure observed in cECM hydrogels is
closer to that of the native ECM compared
with previous works [34] which fibers
presented a diameter slightly below than that
of tropocollagen and collagen present in the
ECM. As it can be observed in Figure 1B,
structures obtained with the developed
bioink presented a disposition of the fibers
that resembles that of the original ECM and,
thanks to the small diameter of the fibers, the
hydrogel presented a high contact area and
porosity, which had been reported to improve
cell attachment and proliferation [35,36].

2.2. Rheological propeties of the cECM
bioinks depending on the pepsin digestion
time

Rheological properties of the cECM
hydrogels showed to be dependent on the
digestion time, as shown in Figure 2.
Interestingly, for digestion times above 24h,
the hydrogel does not reach the gelation after
thermal crosslinking. For the rest of studied
digestion times, the gelation started gradually,
being the hydrogel digested for 24h the one
showing the highest storage modulus
(G’=23.95 Pa) and the hydrogel digested for
16h the one with the lowest storage modulus
(G'=4.78 Pa).
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Figure 2. Rheological properties of the cECM bioink in function of the pepsin digestion time.

Obtained values for G’ after 24h
digestion are in line (even slightly higher)
with values reported previously for other
natural organ-derived hydrogels, such as lung
extracellular matrix or type | collagen
hydrogels [37], so 24h was the chosen
digestion time the bioinks used in the rest of
experiments of the present work.

2.3. 3D cultures of hBM-MSCs

When cultured in 3D, hBM-MSCs
contracted the cECM hydrogels, as measured

100

by the hydrogel contraction assay (Figure 3).
As expected, the shrinkage of the structures
increased with the cultured time. After 1 day
of 3D culture the measured area of the cECM
hydrogels with hBM-MSCs was reduced to
158.5 + 8.27 mm? (12.9 + 4.5 percent of
contraction; p=0.076). At day 4, the measured
value was 111.2 + 11.21 mm? (38.9 + 6.2
percent of contraction; p=0.005), and after 7
days in culture the area was 85.7 + 7.43 mm?
(52.9 £ 4.1 percent of contraction; p<0.001).
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Figure 3. Contraction of the 3D-cultured hydrogels (hBM-MSC) against acellular ones (control) for 1, 4 and 7 days.

**: p<0.01; ***: p<0.001.
The contraction observed in the

structures indicated an active crosstalk
between the cECM hydrogels matrix and the
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cells cultured within. Various effects could be
overlapping for the observed contraction, as
cells can be effectively pulling the fibers of the



structure while, at the same time, degrading
matrix proteins by secreting
metalloproteinases. Although out of the
scope of the present study, further work
should be done to determine which of the
factors is dominating for this kind of cells in
cECM hydrogels. Previous studies done with
fibroblasts and stromal cells cultured in
collagen matrices have shown that the
combination of both factors strongly depends
on structure mechanics and other stimuli that
may alter cell contractility [38—40]. To better
understand these cell-matrix interactions, the
alteration of the mechanical properties of the
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structures due to the cell culture was studied
by rheometry. As shown in figure 4, cell-laden
structures were softened when compared
with the acellular ones. As expected, values
for the shear modulus and viscosity
decreased with the applied strain. Measured
rheological properties were in the same range
of values previously reported for other cECM
hydrogels [21]. Interestingly, cell-laden
scaffolds showed to be softer than acellular
ones. This could be due to the fact that cells
are generally softer than their surrounding
ECM, or by the fact that cells are degrading
the ECM where they are cultured.

B 20+
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Figure 4. A) Comparison of the storage modulus (G’) in acellular and cellular hydrogels. B) Comparison of the

Complex Viscosity of the acellular and cellular hydrogels

Immunofluorescence images of 3D
cultured hBM-MSCs for 7 days can be
observed in figure 5. Cells were stained for
Connexin 43 (Cx43) and a-Smooth muscle
actin (a-SMA) in green. The actin filaments of

the cytoskeleton and the nuclei were also
stained.

Cells showed a well formed cytoskeleton
with the characteristic spindle shape of MSCs.

3D cultured cells expressed Cx43 and a-SMA
as confirmed by immunostaining.
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Figure 5. Immunostaining of hBM-MSC cultured in 3D in the cECM hydrogels for 7 days. A)Phalloidin (red). B) a-SMA
(green). C) Cx43 (green). The nucleus is counter-stained in all the images (blue).

Cell-laden hydrogels are a promising
therapeutic approach. Using this
physiomimetic cardiac hydrogel, cells were
able to grow and proliferate. In figure 5, the
expression of Cx43 reveals a cell-cell
communication that plays an important role
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in the physiology of the heart [28,41]. The
cells, at the same time, showed a spindle-like
morphology of the cytoskeleton, typical of
MSCs [42]. Furthermore, the contractile
phenotype of the cells located in the heart

during a healing process is characterized



by the expression of «a-SMA, which
promotes focal adhesions and therefore cell -
matrix interaction and ECM remodeling
[43,44]. The positive expression of aSMA
in hBM-MSC within the cECM hydrogel
suggests interplay between the cells and the
matrix.

A major part of the regenerative
potential of using MSCs relies in their capacity
to secrete factors [45]. Nevertheless, their
proliferation and interaction both with the
cells themselves and the ECM, makes the
cECM hydrogel a good candidate for tissue
engineering  approaches, priming the
paracrine signaling of MSCs.

Several studies have shown that the
cardiac differentiation capacity of MSCs is
very low and that they can only assume
cardiomyocyte-like cell fates. Interestingly,
the limited differentiation capacity of MSCs
seemingly has minimal impact on the
therapeutic effects cell therapy confers on
the infarcted heart. MSCs release exosomes
and vesicles that play an important role in
cardiac tissue repair. This characteristic
makes MSCs good candidates to be used as
part of the hydrogels with therapeutic
purpose [46].

It is well stablished that MSCs sense the
biomechanical cues of the microenvironment
leading to a several physiological responses
related to cell function, fate, and phenotype
[47,48]. Accordingly, ECM-based therapies
have been used in cardiac tissue engineering
[27,28]. In this context, cardiac ECM-based
hydrogels could be further enhanced to be
used as physiomimetic vehicle for applying
MSCs or MSCs-derived release agents.

Pati et al. [49] printed a three-
dimensional cardiac tissue with cECM
hydrogel made by porcine dECM and human
adipose-derived MSCs, achieving high cell
viability; Jang et al. [50] added Vascular
Endothelial Growth Factor (VEGF) and MSCs
to a porcine dECM pregel with the aim of
promoting a rapid vascularization of cells-
laden heart cECM bioink. In both cases, to
fabricate the prevascularized constructs,
intercalated layers of polycaprolactone (PCL)
were printed to provide mechanical support
to the structure, due to the weak mechanical
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properties of the cECM hydrogel itself. To
confer better supporting structure to the
hydrogels, several crosslinkers [51] from
natural and synthetic origin, such as silk,
genipin [30] or gelatin methacrylate (GelMA)
[20] are added to the dECM hydrogels. Basara
et al. showed that adding GelMA to a human-
dECM enhanced the mechanical properties
and maintained good biocompatibility [52].
Following this trend, our research group
developed a silk-reinforced collagen hydrogel
that presented two-fold stiffening compared
to collagen hydrogels, an improved
printability properties and a suitable
substrate for hBM-MSCs 3D culture [8].

3. Conclusions

The aim of the engineered scaffolds is to
resemble as much as possible the
extracellular matrix of the tissue. In this work,
decellularized porcine myocardial tissue has
been used to engineer bioink which is totally
formed by ECM components. When
developing a decellularization method it is
important to maintain a balance between the
thickness of the tissue pieces and the time
they are in contact with the chemicals and
enzymes to ensure decellularization without
damaging the ECM tissues. Additionally, SEM
images showed a woven fiber structure
typical of the ECM with size fibers. The
contraction observed in the hydrogels seems
to indicate an active crosstalk between the
cells and the scaffold. Regarding to the
characterization, rheology has shown that the
hydrogel developed shown mechanical
properties similar to other ECM-derived
hydrogels in the literature. Finally, the
expression of Cx43 reveals a cell-cell
communication, while the expression of
aSMA suggests interplay between the cells
and the ECM.

4. Materials and Methods

All the reagents were obtained from
Sigma Aldrich (Missouri, US) unless otherwise
specified.
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4.1. Preparation of the cECM bioinks from the
decellularization of porcine myocardia

Porcine hearts were obtained from a
local slaughterhouse and then washed with
deionized water before freezing them at -80
°C for storage and to aid in cell lysis. The
decellularization method was adapted
from a protocol developed for human hearts
[53] with slight modifications. Briefly, hearts
were thawed to room temperature (RT) and
the left ventricular myocardium was
sectioned into 1x1x1lcm cubes and stored at -
80 °C for further cryosectioning into 300
pum-thickness slices by using a cryostat (HM
560, Thermo Fisher Scientific, Waltham, MA).
Resulting myocardial slices were then
decellularized by their sequential immersion
in lysis solution (10 mM Tris, 0.1% w/v
ethylenediaminetetraacetic acid (EDTA), pH
7.4 in dH20, 2 h at RT), 0.5% sodium dodecyl
sulfate (SDS) (6 h at RT), and fetal bovine
serum (FBS) (3 h at 37 °C) with intermediate
washes in phosphate buffered saline (PBS)
1X. At the end of the decellularization, slices
were drained and dried before storing them
at -80 °C. To produce the cECM powder,
slices were freeze-dried for 48 h (Lyoquest-
300 um

Porcine Decellularized

cryosectioning process

process

Cardiac dECM Hydrogel process

dECM

heart heart slices heart slices powder
o \_ . DT
__A,‘.__V_’.> f \——:—7::_‘/} \_‘__V\y
Porcine heart #%& Decellularization Lyophizaion

and cryomilling 7 digestion and

neutralization prege

55 Plus, Telstar, Terrasa, Spain) and
pulverized into a micrometic powder by using
a cryogenic miller (6775 Freezer/Mill, SPEX,
Metuchen, NJ, US).

The resulting cECM powder was
digested at a concentration of 20 mg/mLin a
0.1M HCI solution with pepsin from porcine
gastric mucosa (1:10 concentration) under
magnetic stirring at room temperature for
different times (for experiments other than
rheology, 24 h digestions was chosen as it
showed to have the higher storage modulus).
The pregel solution was then pH-stabilized to
7.4 £ 0.4 by using 0.1M NaOH and PBS 10X.
For 3D bioprinting, the dual-printhead
method described in [37] was used. Briefly,
one printhead of the 3D bioprinter
(3Ddiscovery, RegenHU, Switzerland) was
filled with the pregel while a secondary
printhead was filled with Pluronic F-127 gel.
Structures were then bioprinted by
alternatively printing an F127 layer, which
served as a template, and a pregel layer. At
the end of the process, scaffolds were
incubated at 37 °C for 45 min to form the
hydrogel. Finally, pluronic was dissolved by
immersing the structures in culture media at
4 °C for 10 min.

Bioink Cell-laden cardiac

p]regel hydrogel
]‘4;- - <

= - - & . e de
—T S ﬁ,‘\. 2® —=ui> “‘ .-

| dECM powder | | hBM-MSC added - &e

to the dECM 3D Bioprinting

Cardiac dECM Bioink process

Figure 6. Schematic description of the process followed to obtain cECM heart hydrogel.

4.2. Ultrastructural characterization by

Scanning Electron Microscopy

The ultrastructure of the cECM hydrogel
scaffolds was visualized with a JSM-6510
(JEOL, Tokyo, Japan) Scanning Electron
Microscopy (SEM). cECM scaffolds of 20x9x3
mm were produced by 3D bioprinting casting

The 3D scaffolds were fixed in 4%
paraformaldehyde (PFA) in PBS for 48h and
then washed three times with 0.1M
phosphate buffer (PB). Next, the samples
were incubated in 4% osmium tetroxide for
90 min and then rinsed with deionized water.
Subsequently, samples were dehydrated by
washing them with ethanol 80% (x2), 90%
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(x3), 96% (x3) and 100% (x3) and preserved in
absolute ethanol at 4 °C until critical point
drying (Autosamdri-815 critical point
dryer, Tousimis, Rockville, MD, US). Samples
were then carbon coated and mounted using
conductive adhesive tabs (TED PELLA,
Redding, CA, US). Imaging was performed by
using a SEM (JSM-6510, JEOL, Tokyo, Japan) at
15 kV.

The diameter of the fibers was calculated
following the method developed in [54].
Briefly, 10 fibers of three different zone of



each sample were randomly selected and
their diameter was computed with Image)
Software (National Institute of Health,
Bethesda, MD, US).

4.3. Bioink rheology

The rheology of the developed bioinks
was measured by using a Haake RheStress1
rheometer (Thermo Fisher, MA, US) with a
35mm serrated parallel plate. The storage
modulus (G’) and loss modulus (G”’) were
measured, and the modulus of the complex
viscosity (In*|) was calculated by using
equation 1 for a given frequency w.

X v .o GG

nEn i = (1)

Hydrogels were digested for 16h, 20h,
24h, and 28h. The gelation kinetics of the
acellular hydrogels was assessed by loading a
pregel solution onto a Peltier plate at 4 "C for
10 min at 0.628 rad/s frequency.
Temperature was kept constant for 10
minutes and then increased to 37 °C and
kept constant for 15 min while measuring
the rheology of the different samples.

4.4. 3D Cell Culture of hBM-MSCs

Human Bone-Marrow Mesenchymal
Stromal cells (ATCC, VA, US) were expanded
in tissue cultures plates by following the
manufacturer instructions. Cells at passages
3-5 were used for conducting all the
experiments presented herein.

The bioink hydrogel was prepared at4 °C
by mixing the pregel with the cells
resuspended in culture media at a relation
10:1 v/v. To form the cell-laden hydrogel
structures, the pregel was then incubated at
37 °C for 45 min to form disk-shaped
structures of 1.9 cm? of surface area. Final cell
concentration in the scaffolds was 2.5-10°
cells/mL. Cells were cultured for 7 days,
changing the medium every 3 days.

Diameter of cell-laden structures was
assessed at day 1, 4 and 7 after cell seeding.
Bottom-adhered cECM hydrogels were
imaged with a high-resolution camera fixed to

Chapter VI. Scientific article Il

a tripod after aspirate the culture media to
avoid image errors due to movement of the
structure. The surface area of the 3D cultures
was measured with Imagel Software and the
contraction was quantified as the percentage
of reduction respect to the acellular controls
[37].

The influence of the cells on the
rheological properties once structures were
gellified was assessed for the cultures at 7
days. Then, rheometry on the cell-laden
hydrogels (24h of pepsin digestion) was
characterized at 37 °‘C by using an
amplitude sweep from 5% (which showed to
be the deformation for the cell-laden
hydrogels when applying the lowest value for
tension that the equipment allowed) to 1000%
at a frequency 3.14 rad/s.

For immunohistochemical analysis of the
cells cultured in 3D within the cardiac bioinks,
cell-laden hydrogels at day 1, 4 and 7 were
immersed in Optimal Cutting Temperature
(OCT) and frozen at -80 °C. Thin hydrogel
slices (=12 um) were obtained by
cryosectioning (HM 560, Thermo Fisher
Scientific,c, MA, US) and placed on top of
positively charged glass slides. OCT was
removed by thawing and washing the
samples in PBS 1X solution at room
temperature. After that, cells were fixed with
4% PFA for 15 min. Primary and secondary
antibodies were incubated overnight and for
2h at 37 °C, respectively. Nuclei were
stained with Hoechst 33342 (Thermo Fisher
Scientificc, MA, US) for 15 min. Primary
antibodies employed were anti-Cx43
(ab11370, abcam, Cambridge, UK) and anti-
aSMA (ab32575, abcam, Cambridge, UK).
Secondary antibodies used were Alexa 488

goat  anti-rabbit  (ab150081, abcam,
Cambridge, UK) and Alexa 488 goat anti-
mouse  antibody (ab150117, abcam,

Cambridge, UK). Images were acquired with a
Nikon D-Eclipse Ci confocal microscope with a
100x Plan Apo objective (Nikon, Tokyo,
Japan).

4.5. Statistical analysis.

Data are expressed as mean * SE. For
contraction analysis, one-way analysis of
variance (ANOVA) followed by the Holm-
Sidak’s post hoc test was done, while paired
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T-test was performed for rheological
characterization. Statistical significance was
considered at p-values < 0.05.
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Abstract

Metals such as titanium or Cr-Co alloys have been the most widely used materials in biomedical
applications that require high mechanical properties, like implants. However, these materials

present the disadvantage of releasing ion metals into the body. As an alternative, prostheses
made of ceramic materials have been developed, as they produce less debris and have better

durability. The aim of the present work is to test the biocompatibility of 3D-prinred yttria-
stabilized zirconia parts by culturing human bone-marrow-derived mesenchymal stem cells.
Results on surface roughness and biocompatibility tests confirmed that 3 mol % yttria-

stabilized zirconia is the most promising material as it presented high biocompatibility.

Introduction

Metals have been the most widely used

materials in biomedical applications that
require excellent mechanical properties.
Among the different applications,

! or dental

personalized medical implants
teeth % are the most common.

However, a major disadvantage of these
materials is related to the release of ion
metals. These may cause inflammatory and

hypersensitivity reactions 3. Additionally, a

failure in medical implants such as hip or knee
would require the removal of the device to
implant a new one. On the other hand,
research has also been carried out by using
acid)

3D-printed metal-PLA lactic

(poly

4 As an

composite scaffolds for implants
alternative, research in the use of ceramics is
growing in popularity. Prostheses made from
ceramic materials produce less debris and
have better durability than those made from

metals or plastics °.
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Amongst the different ceramics used in

prosthetics (such as hydroxyapatite 6, or

7,8) 7

alumina , zirconia offers several
advantages: (1) reduction in the wear rate of
implants ° and the risk of toxicity °; (2)

11

excellent biocompatibility and corrosion

resistance %

(3) outstanding mechanical
properties for the manufacture of prostheses
11, Zirconia has a monoclinic structure at room
temperature. As temperature increases, it
changes to tetragonal and later to cubic
structures. The transition between monoclinic
and tetragonal leads to an important volume
change. For this reason, yttria is often added
to zirconia to stabilize it with a mix of
tetragonal and cubic structures at room

13, different

temperature Among the
parameters that can affect the performance of
the ceramic grafts, surface roughness is of
high importance. For example, a lower layer
lower lateral

height corresponds to a

roughness 4.

Ceramics can be manufactured using different

Additive Manufacturing technologies
depending on the feedstock form according to
Chen et al. ¥: 1) slurry-based

(stereolithography  -SLA-,  digital light
processing -DLP-, two-photon polymerization
-2PP-, inkjet printing and direct ink writing -
DIW-), 2) powder-based (selective laser
sintering -SLS and selective laser melting -SLM-
) and 3) bulk-solid based (laminated object
manufacturing -LOM- and fused deposition

modelling -FDM-). One of the most employed
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AM techniques for ceramics is Direct Ink
Writing (DIW), an extrusion technique in

which a ceramic paste is extruded and

subsequently deposited layer-by-layer 678
Different ceramic materials can be printed
with DIW, for kaolinite

example, clay

ceramics®®, zirconia®®, zirconia-toughened

alumina??, or hydroxyapatite 22
Yttria-stabilized  zirconia  (YSZ) is a
biocompatible ceramic with high mechanical
properties. A major advantage of YSZ is that it
can be 3D printed to manufacture complex
shapes such as prostheses or dental implants
2324 Nevertheless, to the author’s knowledge,
few in vitro studies are known for proving the
biocompatibility of 3D-printed YSZ 2>26, On the
other hand, the surface finish of ceramics is
known to affect their mechanical properties ?’
and also influence their biocompatibility?®. In
addition, surface roughness is related to
bacterial growth in dental implants?°. The aim
of the present research study is to culture
human bone-marrow-derived mesenchymal
stem cells (hBM-MSCs) on 3D-printed yttria-
stabilized zirconia parts with different surface
roughness values to assess their suitability to
be used as biomedical material in implants.

Materials and Methods

1.1. Zirconia parts preparation for cell
culture



Zirconia pastes were prepared in a mixer.
Mixing time was 2 min and rotational speed
was 2000 mint. Vacuum pressure was used to
enable both dispersion of materials and the
removal of bubbles (ARV-310P Thinky
Corporation, Tokyo, Japan). Yttria-stabilized
zirconia (YSZ) with a 3 mol% concentration
(HSY-3B, Daiichi Kigenso Kagaku Kogyo Co.,
Ltd., Japan) and a 0.5 % wt dispersant (Dolapix
PC75, Zschimmer & Schwarz, Germany) were
mixed to a Pluronic F-127 (Sigma-Aldrich, UK)
stock solution of 25 wt% concentration. The
final solid percentage was 40 v%. The d50
value of the ceramic powder ranged between

0.7 and 1.5 um (50% of the particles are

smaller than that size).

(A)
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Disk-shaped samples of diameter 10 mm and
height 4 mm were printed (see Figure 1A) and
subsequently sintered at 1550 °C, with a
heating rate of 5 °C/min (see Figure 1B). The
final dimensions of the disks were around 8.5
mm in diameter and 3 mm in height. As can be
seen there is a shrinkage in the samples of 15%
and 25% in the horizontal plane and vertical
plane, respectively. A linear infill pattern of
raster angle 0° was used, with different infill
values of 80% and 95% respectively. Three
considered for each

replicates were

experiment.

Figure 1. 3D printed zirconia samples (A) before and (B) after sintering treatment.

A customized 3D printer was used, Dual Paste
Extruder, from CIM-UPC (Figure 2). The nozzle

diameter was 0.58 mm, the layer height was

0.3 mm, the printing speed was 5 mm/s and

the extrusion multiplier was 100%.
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Material with
the syringe

Motor

3D Printed Scaffold

Piston

Nozzle

X-Y platform

Figure 2. Printing head of the Dual Paste extruder from CIM-UPC

1.2. Surface
characterization

roughness

According to the work of Deltombe and co-

workers 3%, the different roughness
parameters can be divided into six groups: (1)
amplitude, (2) spatial, (3) hybrid, (4)
functional, (5) feature, and (6) other 3D
parameters. In the present study, not only
areal arithmetical mean has been studied, but
also skewness (Ss) and kurtosis (Sk) values
were measured. S, (Equation 1) is the average
value of the heights, expressed as an absolute
value, regarding the central plane 2°. Sy
(Equation 2) corresponds to the symmetry of
the heights concerning the central plane. A
positive S« value indicates the predominance
of peaks, while a negative value corresponds

31 Kurtosis

to the predominance of valleys
parameter Sy, (Equation 3) is related to the
peakedness of the surface. Sharp peaks and
valleys correspond to Sk, >3, while rounded
peaks and valleys are related to Sk, <3 31. Both

parameters are related to the friction control

of surfaces 2.

96

A Smartproof 5 confocal microscope (Zeiss,

Oberkochen, Germany) with a 20X
magnification lens was used to measure areal
roughness. Optical equipment was used, to
prevent damage to the samples and/or to the
tip of a contact roughness meter 3. The
uncertainty of the microscope in the vertical
direction is = (0.1 um + 0.008 x L), whereas in
the horizontal direction it is £ (0.1 um + 0.012
x L). Areal parameters were determined

according to ISO 25178 standard 34,

1

S=7 || 12 oyl axy )
1

Siw = yn ﬂA 1Z (x, y)1* dxdy @)
1

Soc= 7 | fA 1Z G, ) dxdy ()

where A is the measured areaand Z (x, y) is a
function that corresponds to the surface

topography.

Roughness was measured on the upper
surface of the disks, within an area of 0.5 x 0.5

mm.



1.3. BM-MSCs culture

hBM-MSCs are widely used in regenerative
medicine and they are a widely accepted
model to test the biocompatibility of new
scaffold developments, as they have been
used previously to test the biocompatibility of
novel scaffolds based, for example, in silk
composites 3. hBM-MSCs were expanded and
cultured following the manufacturer’s
instructions (ATCC, VA). The medium was
replaced every 2 days and cells were split from
T-75 flasks at reaching 80% confluence. Cells
in passage 5 were used for this study. 3D
printed zirconia scaffolds were sterilized by
high pressure and vapor using an autoclave
(Tomy SX-700E) before seeding the cells, and
half of them were coated with type | collagen
at a concentration of 0.1 mg/mL (Merck, US).

Cells were seeded on the sterilized parts with

a density of 4-10* cells/cm? and cultured for

Chapter VII. Scientific article Ill

25% in the horizontal plane and vertical plane,
respectively. This is in accordance with a
previous study by Buj et al. 14, in which the
shrinkage percentage values ranged between
19% and 28%. On the other hand, He et al. 3¢
3D printed using a DLP printer samples which
displayed significant shrinkage after sintering,

with the maximum shrinkage being 35.26%.

1.5. Surface Roughness

Table 1 shows the average values of areal
arithmetic mean, skewness, and kurtosis of
both 80% and 95% density experiments.
Overall, both porosities tested showed a
smooth roughness, no sharp or rounded valley
or as well as the presence of high peaks or
deep valleys. Figure 3 shows the surface
topography of the 3D-printed parts.

Table 1. Surface roughness of the upper surface of
the yttria-stabilized zirconia samples.

24h and 72h. At the endpoint, samples were [T NINNCS SN TR

stained for DNA (NucBlue) to identify cell
nuclei and imaged with a confocal microscope
with a monitored X-Y stage (Nikon TI-HUBC,

Japan) with a 10x objective.

Results and Discussion

1.4. 3D Printed Samples Shrinkage

The 3D printed samples showed, as

mentioned before, a shrinkage of 15% and

0,
80/3 0.30+0.026 -0.002+0.48 10.35+8.37
porosity
0,
95% 0.69+0.007 -0.14+0.05 5.03+0.41

porosity
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Figure 3. Surface topography of YSZ parts printed with: (a) 80% infill, (b) 95% infill

The surface topographies showed that the
different printed lines were fused, showing no
holes among them. In Figure 3a, several
parallel crests can be observed, corresponding
to the deposition of material along parallel
lines in the linear structure. In Figure 3b only
some crests can be observed, showing that,
due to an excess of material, the paste
became mixed. As for S, values in Table 1,
higher roughness values were observed for 95
% infill (Figure 3b) than for 80 % infill (Figure
3a). This suggests that for a high infill value of
95 % there was an excess of material that
leaded to higher crests. A slightly negative
value for S¢ was reported for 95 % infill (Figure
3b), showing higher valleys than peaks. As for
Sku, @ high value of 10.35 was obtained for 80
% infill, corresponding to sharp peaks and
valleys, with a lower value of 5.03 for 95 %
infill. In both cases, Sk, was higher than 3,
which corresponds to a normal distribution of

heights.

I. 37

Shao et al. >’ reported surface roughness close

to 8 um for zirconia-based gel materials. For
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implants, S, values below or equal to 1 um are
considered to be smooth, while values above
1 um are rough, from the point of view of
osseointegration *. Therefore, the samples in
the present study can be considered smooth
and, therefore, it is not necessary to
undertake a subsequent polishing operation.
Additionally, the surface roughness obtained
in lateral walls of yttria-stabilized zirconia
pastes depends on layer height and on print
speed %°. The lower layer height and speed,
the smoother the surface is as demonstrated

14 In the present

by our previous findings
work, however, the roughness was measured
on the upper surface of the printed parts to

assess its influence on cell compatibility.

1.6. In
assessment

vitro biocompatibility

As it can be observed in Figure 4, hBM-MSCs
were able to attach to the 3D-printed zirconia
scaffolds and showed good viability after 3
days of culture (no differences were observed
between 24h and 72h of culture). It is

noticeable that no differences were observed




between uncoated and coated samples (type |
collagen), showing that the bare material is
biocompatible enough to allow direct cell
culture on top without the need for

functionalization, so unspecific adhesions
formed by MSCs on bare scaffolds are enough
for them to proliferate. Collagen has been
proven to enhance corrosion resistance and
biocompatibility mainly on metallic substrates
such as titanium3 or magnesium alloys* but it

might not be so effective on ceramic

No coating

Day 1

Day 3

Zr (80%)

Zr (95%)
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substrates. Cells attached to the bare surface,
suggesting that unspecific adhesions are being
formed, although more tests should be done
to confirm which cell proteins are mediating
those adhesions to the surface. On the other
hand, although a higher proliferation might be
observed in the higher infill scaffolds, the
difference is not significant enough to extract
conclusions about the most appropriate infill
parameter.

Further tests on proliferation

should be done to confirm these hypotheses.

Coating

Day1 Day 3

Figure 4. Fluorescent images (DAPI, cell nuclei) of hBM-MSCs cultured for 24h or 72h on zirconia scaffolds
(80% or 95% of porosity) with and without type | collagen coating.

The surface properties of the scaffolds directly
affect cellular behavior. A too-smooth or too-
rough scaffold could cause the cells not to
adhere or to modify their behavior. For
example, in soft hydrogels
osteodifferentiation increased with surface
roughness, being important from Rq values
around 0.38 um, while in stiff hydrogels higher
observed for

osteodifferentiation  was

intermediate roughness values*!. In this work,

the areal average roughness S, measured in
the above scaffolds, between 0.30+.026 pum
and 0.69+0.0 um, led to a good cell
proliferation behavior as shown in Figure 4.
Thus, it seems that scaffolds’ roughness makes
them suitable for MSCs culture, even when
the material remains uncoated. This indicated
that cells are generating unspecific adhesions

with the printed parts that allow them to

engraft.
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Conclusions

In the present work, 3D-printed vyttria-
stabilized zirconia parts are presented to be
used as a novel material in implants. We found
that the physical properties of the material,
such as the surface topography, made the
material a suitable candidate for prosthetics.
Human BM-MSCs cultured on top of the
printed scaffolds showed to be highly viable.
Interestingly, we observed no differences
between bare printed parts and those coated
with an extracellular matrix protein to
increase cell adhesion, thus indicating that the
3D-printed scaffolds could be used without
further processing. This opens a door in the
field of personalized medicine, as scaffolds
could be directly printed with the needed
shape before the intervention in the patient.
Further research in vivo, by implanting the
developed scaffolds in animals, would be
needed to evaluate the scaffolds presented
herein, but in vitro results suggest that
biocompatibility would not be a limiting factor

in those experiments.
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Abstract: Three-dimensional printing is revolutionizing the development of scaffolds due to their rapid-
Biomedical prototyping characteristics. One of the most used techniques is fused filament fabrication (FFF), which

ﬁsz;::lsons' is fast and compatible with a wide range of polymers, such as Polylactic Acid (PLA). Mechanical
2022, 14, properties of the 3D printed polymeric scaffolds are often weak for certain applications. A potential
2754. solution is the development of composite materials. In the present work, metal-PLA composites have
https://doi.or  heen tested as a and 0.8 mm, respectively. The porosity of the samples was measured from cross-
¢/ sectional images. Biocompatibility was assessed by culturing Human Bone Marrow-Derived
::iﬁi%ﬁy Mesenchymal Stromal on the surface of the printed scaffolds. The results showed that, for identical

line spacing value, the highest porosity corresponded to bronzefilled material and the lowest one to
Academic steel-filled material. Steel-filled PLA polymers showed good cytocompatibility without the need to coat
:i:i:: the material with biomolecules. Moreover, human bone marrow-derived mesenchymal stromal cells
Reza Vanael, differentiated towards osteoblasts when cultured on top of the developed scaffolds. Therefore, it can
Sofiane be concluded that steel-filled PLA bioprinted parts are valid scaffolds for bone tissue engineering.
Khelladi and
??:::khtchi Keywords: steel-filled PLA; FFF; scaffold; grid structure; cell culture

material for 3D printing scaffolds. Three different materials were tested: copper-filled PLA, bronze-
Receive filled PLA, and steel-filled PLA. Disk-shaped samples were printed with linear infill patterns and line
d: 31 spacing of 0.6, 0.7,
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1. Introduction

Additive manufacturing (AM) is a group of

techniques in which three-dimensional structures
are manufactured layer-by-layer in an automated
way. It offers several advantages over the
traditional subtractive or forming techniques: (1) it
allows manufacturing complex shapes and even
porous structures, (2) cheaper parts are produced
if low-cost machines are employed; (3) it implies
material, waste, and energy savings. Within the
AM field, there are seven different categories [1]:
binder jetting (BJ) [2], directed energy deposition
(DED) [3], material extrusion (includes FFF—Fused
Filament Fabrication and DIW—Direct Ink Writing)
[4,5], material jetting (MJ) [6], powder bed fusion
(PBF) (includes SLM—Selective Laser Melting and
SLS—Selective  Laser Sintering) [7], sheet
lamination [8], and vat photopolymerization
(includes SLA—stereolithography and Digital Light
Processing (DLP) printing, as well as volumetric 3D
printing) [9,10].
Within the different AM techniques, FFF is one of
the most widely used technologies for rapid
prototyping within the biomedical field, as it
presents several advantages in terms of costs and
the range of materials that can be used [11]. Also
known as FDM (Fused Deposition Modelling), FFF
uses a continuous filament of a thermoplastic
material such as PolylLactic Acid (PLA) to build
complex 3D structures in an automated way. One
of the main disadvantages of FFF technology is the
difficulty to ensure the correct bonding between
layers [12]. The FFF 3D printing technique was
patented in 1989 [13] and it bloomed up after its
patent expired in 2009. After the technique
became available to the general public, it has been
used in different fields: automation, aeronautics,
medicine, etc. Regarding the biomedical area,
different applications could be highlighted, such as
implants [14,15], 3D surgical planning prototypes
[16,17], scaffolding [18,19], and regeneration of
tissues [20].

There are numerous materials in the market
for FFF 3D printing, for example acrylonitrile
butadiene styrene (ABS) or Nylon, being PLA one of
the most widely used, both alone and in
combination with other materials such as wood,
metals, or ceramics. Very little data have so far
been published on systematic studies regarding
the use of metal-filled filaments, since selecting
compatible filler materials for the sake of
improving the performance of polymeric
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composite materials is a difficult task [21]. In the
present study, copper-, bronze-, and steel-filled
PLA filaments are studied. Copper has an excellent
heat and electric conductivity, it is easy to
machine, bio-fouling resistant, and corrosion
resistant [22]. Bronze alloy consists primarily of Cu,
commonly with between 12 and 12.5% of Sn. It is a
ductile alloy. Stainless steel is made of iron with
typically a few tenths of carbon percentage, and
with anti-corrosion elements such as Ni or Cr. It has
high tensile strength, high corrosion resistance,
and high biocompatibility. Therefore, itis usedin a
wide range of biomedical applications such as
prostheses.

Regarding the mechanical properties of the
metal-filled filaments, in some cases, increasing
the metal content reduces the tensile strength and
increases the thermal conductivity of the
composite material studied. For example,
Mohammadizadeh et al. [23] manufactured PLA
filaments that contained copper, bronze, stainless
steel, high carbon iron, and aluminum powders.
They stated that the mechanical properdies of
copper-filled-PLA were worse than those of PLA 3D
printed parts. Additionally, they showed that the
larger the layer height was, the lower the tensile
strength, elastic modulus, and yield stress were.
On the contrary, in different works, the mechanical
properties were observed to increase when adding
metals to the base polymer. Liu et al. [24] found
that ceramic, copper, and aluminum-based PLA
composite parts had similar or even superior
mechanical properties when compared to bare
PLA-made parts. Fafenrot et al. [25] developed
polymer-metal materials 3D printed by FFF and
concluded that the mechanical properties were
similar to those of the PLA parts. On the other
hand, there are other available options for the
polymer matrix such as the use of ceramics. For

instance, glass fiber-reinforced PLA can be
employed in a wide range of applications,
particularly in the biomedical, energy, and

electronics industry [26]. In another example,
Mahmoud et al. [27] studied the incorporation of
two carbon fillers into the polypropylene: carbon
nanotubes and synthetic graphite. The results
showed that graphite-filled composites are more
conductive than carbon nanotubesfilled
composites. The flexural and tensile strength for
both composites increased with the increase in the
filler materials weight percentage. Later, the same
authors [28] showed that flame-retardant MPP
(melamine polyphosphate) had remarkable effects



on the mechanical properties of the LLDPE (low-
density polyethylene) composites. Five weight
percentages of MPP were embedded into LLDPE,
ranging from 5 to 30 wt%. It was concluded that
the Young’s modulus increased, and the tensile
break strength and the tensile yield strength
increased monotonically with the increase in MPP
content.

The addition of metal components to the
polymers used in FFF printing opens a new world in
different fields such as bioengineering, but more
knowledge needs to be obtained on the
optimization of the production of these
biomaterials for the fabrication of novel scaffolds.
Although there are some studies about cell growth
on 3D printed ceramic zirconia toughened alumina
(ZTA) scaffolds [29], few and non-concluding
studies have been done with metal-filled polymeric
materials. Moreover, previous studies have not
focused on the biological response of cells in
metal-PLA 3D printed parts, as cells were cultured
on metal-based scaffolds, such as titanium 3D
printed bases [30]. On the other hand, several
studies have evaluated the cytocompatibility of 3D
printed iron-based scaffolds for bone regeneration
[11,31,32] so we hypothesize that composite
polymers incorporating metals will be appropriate
for cell growth, since metals and alloys have been
used extensively as bone substitutes [33,34]. These
iron-based alloys have better mechanical
properties than those based on lighter materials,
such as magnesium.

Porosity is another key parameter that must
be taken into consideration during the design and
synthesis of a biomaterial [35]. The 3D printed
porous materials should ideally fulfil conditions
such as biocompatibility, noninflammatory
response, tunable biodegradability, appropriate
mechanic properties, defined pore structure, and,
above all, promote a health improvement [36].
Table 1. 3D printing parameters.

Variable Value
Infill pattern Linear
Layer height (mm) 0.15
Nozzle diameter (mm) 0.4
Print speed (mm/s) 7
Extrusion multiplier (%) 100
Temperature (° C) 190
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This work presents the characterization of
three metal-reinforced PLA biomaterials for 3D
printing biomedical scaffolds regarding porosity,
surface roughness and cell culture. For that
purpose, first the surface of the parts was
analyzed, and the line spacing was measured.
Surface roughness was then measured on the
upper surface of the specimens. Regarding
biological characterization, human-derived bone
marrow mesenchymal stromal cells (hBM-MSC)
were cultured on the composite scaffolds to assess
their biocompatibility and the effect of the 3D
printing scaffolds on determining cell fate,
specifically in osteogenic differentiation.

2. Materials and Methods

2.1. Materials

The materials used in the present study were
metal-filled PLA filaments of 2.85 mm diameter
manufactured by ColorFabb (Belfeld, Netherlands).
The specific materials used were: (1) steel-filled
PLA, (2) bronze-filled PLA, and (3) copper-filled
PLA. As stated by the manufacturer, these
materials were developed for aesthetic purposes
and need a polishing treatment after being printed
if a brilliant appearance is to be required. All
reagents were purchased from Sigma-Aldrich
(Saint Louis, MO, USA), unless specified otherwise.

2.2. 3D Printing Process

Parts were additively manufactured by using
a Sigma R19 3D printer (BCN3D Technologies,
Gava, Spain). The 3D printing parameters are
presented in Table 1. Figure 1 shows a scheme of
an FFF 3D printer. Cura BCN3D software was used
to generate the G-code that is required to print the
parts.

Extruder

TR Filament

>
—p

Scaffold

Figure 1. FFF 3D printer scheme.
Disk-shaped samples of 6 mm in diameter and 2
mm in height were manufactured.
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The linear infill pattern was selected, using three
different line spacing values: 0.6 mm, 0.7 mm, and
0.8 mm (Figure 2). The shell width was set to 0.4

mm and the bottom width was set to 1.2 mm. No
top layer was used.

(c)

Figure 2. Disk-shaped 3D printed samples with line spacing of 0.7 mm of (a) bronze-filled PLA, (b) copper-filled PLA,

(c) steel-filled PLA. Scale bars correspond to 1 mm.
2.3. Pictures

Pictures of the 3D printed scaffolds were
obtained by wusing a Leica S8APO binocular
maghnifier (Leica Camera AG, Wetzlar, Germany)
with 8x (Figure 2) and 16x (Figure 3) magnification,
respectively.

2.4. Porosity

The porosity of the disk samples was
guantified from the images of the cross section of
the scaffolds, assuming that the length of the pores
corresponds to the length of the sample and using
Equation (1):

Pt =

S

(1)

where Pt is the porosity, Vp the pore volume, and
Vt the total volume of the scaffold. The
software used for cross-sectional
guantification was Imagel.

images

2.5. Roughness

Roughness was measured with a Talysurf 2
contact roughness meter from Taylor Hobson Ltd.,
Leicester, UK. A diamond tip was used with tip
angle of 90° and tip radius of 2 um. The measuring
force was 0.8 mN and speed was 0.5 mm/s. A
Gaussian filter was employed. A cut-off value of 0.8
mm was used according to 1SO 4288 [37]. Total
sampling length was 4.8 mm (6 x 0.8 mm).
Roughness was measured on the upper surface of
the disks, along the generatrices of the filaments in
the two perpendicular directions, in order to assess
if there were differences regarding their surface
finish. As an example, the steel-filled samples were
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measured with line spacing 0.6 and 0.7 mm. Two
different samples were measured for each line
spacing value.

The roughness parameters that were analyzed in
this present study are:

1. Arithmetical mean roughness value or
arithmetical mean of the absolute values of the
profile deviations from the mean line of the
roughness profile (Ra) (Equation (2)), which is one
of the most commonly employed parameters in
industry;

L
Ra = %jo |Z(x)|dx (2)

2. Mean roughness depth or average
maximum peak to valley of five consecutive
sampling lengths of the profile within a sampling
length (Rz);

3. Kurtosis (Rku), which is a measure of the
sharpness of the profile (Equation (3));

Rk _ 1 1fLZ‘*()d (3)
u= RE|L), |Z%(x)|dx]
4, Skewness (Rsk), which measures the

symmetry of the profile (Equation (4));

101t
Rsk =R—2[zj(—) |ZS(X)|dX]] (4)

These parameters are defined in the UNE-EN-ISO
4287:1999 standard [38].



2.6. Human Bone Marrow-Derived
Mesenchymal Stromal Cells Culture on
the Developed Scaffolds

Primary human Bone Marrow-Derived
Mesenchymal Stromal cells (hBM-MSCs, ATCC PCS-
500-012, ATCC, Manassas, VA, USA) were
expanded  following  the  manufacturers’
instructions. Cells from passage 3—6 were used for
all the experiments presented herein.

Printed parts were coated by incubating with
rat tail-derived type | collagen at a concentration of
0.1 mg/mL for 30 min at 37 °C. hBM-MSCs were
cultured on the scaffolds at a seeding density of 4
x 10% cells/cm? for 24 and 72 h. Cells seeded on
uncoated parts were cultured in parallel. At the
defined time points, cells were fixed with
paraformaldehyde (PFA) 4% for  further
immunohistochemical imaging.

In a subsequent set of experiments, hBM-
MSCs were cultured with a seeding density of 9.4 x
10% cells/cm? for 1, 4, and 7 days, respectively, on
the different collagencoated/uncoated samples
and then fixed with PFA 4%.

Finally, to evaluate the impact of the
developed scaffolds on the cell fate, hBM-MSCs
were cultured with aMEM (12509069, Gibco,
Waltham, MA, USA) 10% FBS (Gibco) on the steel-
filled PLA scaffolds with 0.6, 0.7, and 0.8 mm line
spacing, respectively, with a seeding density of 1.3
x 10* cells/cm?. Control cells were cultured in
parallel on conventional culture plates. After 21
days, the cells were fixed with PFA 4% for further
analysis.
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2.7. Immunohistochemical Analysis

After PFA  fixation, samples were
permeabilized with Triton 0.1%, blocked with 10%
FBS solution, and incubated overnight at 4 * C with
primary antibodies (anti-hOsteocalcein 967801,
R&D Systems, Minneapolis, MN, USA) and
subsequently, incubated for 2 h at 37 ° C with the
secondary Alexa 488 anti-rabbit antibody for
differentiation studies. For morphology analysis,
nuclei were stained with NucBlue (Thermo
Scientific, Waltham, MA, USA) and actin
cytoskeleton with phalloidin (Thermo Scientific,
Waltham, MA, USA). Images were acquired with a
Nikon D-Eclipse Ci confocal microscope (Nikon,
Tokyo, Japan) with 10x and 20x Plan Apo
objectives (Nikon).

3. Results and Discussion

3.1. 3D Printed Samples

Figure 3 shows the pictures of bronze-filled,
copper-filled, and steel-filled samples
manufactured with 0.6, 0.7, and 0.8 mm line
spacing, respectively. Achieving 0.6 mm line
spacing was more difficult than 0.8 mm, because of
smaller pores. Despite that, appropriate scaffolds
were achieved for the three different materials.

Additionally, scaffolds for biomedical
applications should have a porous architecture.
This porosity provides the necessary environment
for promoting cell migration, proliferation, etc.
[39].
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Figure 3. Surface of the samples with 16x magnification: (A) bronze-filled 0.6 mm, (B) bronze-filled 0.7 mm, (C)

bronze-filled 0.8 mm, (D) copper-filled 0.6 mm. (E) copper-filled 0.7 mm, (F) copperfilled 0.7 mm, (G) steel-filled 0.6
mm, (H) steel-filled 0.7 mm, (1) steel-filled 0.8 mm. The scale bars correspond to 1 mm.

3.2. Porosity certain line spacing value, most porous scaffolds
are the bronze-filled ones, followed by the
copper-filled ones, although they were
manufactured with the same 3D printing
conditions:

As shown in Figure 4, the higher the line
spacing, the higher the porosity of the 3D printed
scaffolds is. Among the different scaffolds, for a

Porosity of 3D Printed Scaffolds

25-
® Bronzefill
20- m Copperfill
9 A Steelfill
> 154 E
[
'5 104 E I
o i
54 ¢ i
A
0 T T T
0.6 0.7 0.8

Figure 4. Porosity of the 3D printed scaffolds: bronze-filled, copper-filled and steel-filled. N = 3.

3.3. Roughness

Table 2 presents the roughness results for
both the internal and the external surfaces of the

3D printed samples. One measurement was
performed on each surface.
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Table 2. Roughness on the external and internal layer of 3D printed steel-filled samples.

Line Spacing Sample External Roughness Internal Roughness
Ra (um) Rz (um) Rku Rsk Ra (um) Rz (um) Rku Rsk
06 1 25.36 128.90 3.12 -1.00 7.99 38.67 291 0.24
omm 2 25.60 129.11 3.14 -1.03 7.97 37.16 3.29 0.44
07 1 32.38 142.63 2.54 -0.73 12.13 52.91 2.60 -0.09
/mm 2 35.04 158.71 273 -0.80 15.68 78.31 2.89 0.04

Figure 5 depicts the roughness profiles of
samples with a line spacing of 0.6 and 0.7 mm, on
the external (first) and internal (second) layers,
respectively, starting from the top of the part.
Higher Ra values were obtained on the external
(first) layer (Table 2 and Figure 5a,c) than on the
internal (second) layer (Table 2 and Figure 5b,d).
On the external layer, slightly higher Ra values (up
to 35.04 um) were found for line spacing 0.7 mm
than for line spacing 0.6 mm (up to 25.60 um). The
Rz parameter shows a similar trend than Ra.
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Figure 5. Roughness profiles of the steel-filled 3D
printed samples. (A) 0.6 mm external roughness (first
layer). (B) 0.6 mm internal roughness (second layer). (C)
0.7 mm external roughness (first layer). (D) 0.7 mm
internal roughness (second layer).

Rku values around 3 were found in all cases,
corresponding to a normal distribution of the
roughness heights in each profile. On the external
layer, slightly negative Rsk values were obtained,
corresponding to longer valleys than crests. On the
contrary, on the second layer Rsk values are close
to 0, corresponding to symmetric profiles.

The external or first layers show more regular
roughness profiles (Figure 5a,c) than the internal or
second layers (Figure 5b,d).

3.4. Human Bone Marrow-Derived
Mesenchymal Stromal Cells Cultured on
the Developed Scaffolds

hBM-MSCs showed good adhesion to both
collagen-coated and untreated 3D printed steel-
filled PLA samples. Cells cultured for both 24 and
72 h were well-adhered to the 3D printed PLA
composites (Figure 6a,b), with no observed
differences between both conditions.
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Figure 6. (a,b) Adhesion test to PLA with and without collagen coating. (c—e) Viability test at day 1 of cell culture. (f—
h) Viability test at day 4 of cell culture. (i—k) Viability test at day 7 of cell culture.

Steel-filled PLA samples showed a very good
cytocompatibility, especially on 0.6 and 0.7 line
spacing (Figure 6¢,d,f,g,i,j). On the contrary,

copper-filled and bronze-filled PLA presented
higher cytotoxicity since there were no cells
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adhered to the scaffolds after 24 h of culture
(data not shown).

Steel-filled scaffolds showed high
biocompatibility,  unlike  copper-filled and
bronzefilled materials. This is in concordance with
Kuroda et al. [39]. Additionally, the best biological
behavior was found with the lowest porosity
achieved (0.6 mm line spacing). This is in
accordance with data presented by Chen et al. [40],
who concluded that samples with 30% porosity
exhibit the best biocompatibility, which were the
lowest porosity scaffolds of their research.

The different scaffolds manufactured by
means of FFF showed to have different behavior.
As mentioned, bronze-filled as well as copper-filled
scaffolds presented high cytotoxicity since there
were no cells adhered to the scaffolds after 24 h of
culture.

Itis interesting to highlight that there were no
differences observed when a specific protein

Culture plate 0.6
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coating was used in the parts. Cells form specific
adhesions to the collagen protein while they are
expected to form unspecific adhesions to uncoated
materials. From the experiments presented herein,
it can be concluded that steel-filled PLA promotes
the formation of unspecific adhesion in MSCs,
while this is not happening with copper- or bronze-
filled polymers.

3.5. hBM-MSCs Differentiated towards Osteoblasts
When Cultured on the Developed Scaffolds hBM-
MSCs cultured on the steel-filled 3D printed
scaffolds (0.6 and 0.7 mm line spacing) without
osteogenic supplements showed the presence of
osteocalcin after 21 days of culture (Figure 6).
Moreover, cells exhibited a broad spreading area
compared with those cultured under conventional
culture conditions (Figure 7).

Figure 7. Osteocalcin detection by immunofluorescence in hBM-MSCs (at day 21) cultured on (a) conventional culture

conditions, steel-filled PLA scaffolds of (b) 0.6 mm and (c) 0.7 mm line spacing. Osteocalcin (green) and nucleus (blue).

Scale bars correspond to 100 um.

The images show the classical spindle-like
shape of MSCs, so it seems that the steelfilled 3D
printed structures are a suitable scaffold for cell
culturing. The enlarged phenotype is similar to
differentiated osteoblasts when cultured on rigid
substrates [41-43].

4. Conclusions

In the present work, results are presented for
the cell growth of stem cells on metalfilled PLA
composites that were printed with a grid structure
by means of the FFF technique. Three different
composites were tested: bronze, copper, and
stainless steel, respectively. The main conclusions
are as follows:

e Given a certain line spacing, higher
porosity was observed for the copper-
filled scaffolds than for the bronze-filled

scaffolds and the steel-filled scaffolds,
although they were 3D printed with
similar printing conditions;

e Steel-filled composite showed important
cell growth, both with and without
protein coating, so it is promoting the
formation of unspecific adhesions in
MSCs;

o Neither bronze-filled nor copper-filled
composites favored cell growth, so they
cannot be considered to be
biocompatible;

e When considering steel-filled composite,
line spacing of 0.6 and 0.7 mm provided
the best results, while line spacing of 0.8
mm is not recommended.
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In future work, the effect of the use of other infill
patterns on both cell growth and the mechanical
strength of the structures will be addressed.
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Informe del director

Ramon Farré Ventura, Catedratico de Fisiologia del Departamento de Biomedicina de la
Facultat de Medicina i Ciencies de la Salut de la Universitat de Barcelona, y director de
la Tesis Doctoral del Sr. Héctor Sanz Fraile, y Jorge Otero Diaz, Profesor Lector del
departamento de Biomedicina de la Facultat de Medicina i Ciéncies de la Salut de la
Universitat de Barcelona, y directos de |la Tesis Doctoral del Sr. Héctor Sanz Fraile,

INFORMAN sobre la participacion personal del doctorando en los articulos cientificos
incluidos en su Tesis Doctoral, que se presenta en el formato de compendio de articulos.
A continuacion se hace referencia a los articulos en el mismo orden en que, por razones
de coherencia, aparecen en la memoria de la Tesis Doctoral:

e Hector Sanz-Fraile, Susana Amoros, Irene Mendizabal, Carolina Galvez-Monton,
Cristina Prat-Vidal, Antoni Bayes-Genis, Daniel Navajas, Ramon Farre, and Jorge
Otero. Silk-Reinforced Collagen Hydrogels with Raised Multiscale Stiffness for
Mesenchymal Cells 3D Culture. Tissue Eng Part A. 2020 Mar;26(5-6):358-370.
doi:10.1089/ten.TEA.2019.0199. IF: 3.845. Q2 (35/89)

Este es el trabajo principal de la Tesis Doctoral de Héctor Sanz. El doctorando fue
responsable de todo el desarrollo experimental. Va a llevar a cabo el desarrollo y
caracterizacion mecanica de hidrogeles de colageno reforzado con seda. Puso a punto
la técnica para disolver correctamente la seda de tal manera que preserve la sericina.
Realizo todas las medidas mecanicas tanto a nivel micro (AFM) como macromecanico
(ensayo de traccion) y reoldgico. Ademads, analizé la viabilidad celular de los hidrogeles.
Efectud el andlisis global de los resultados y discutié las medidas mecanicas
multiescalares de la rigidez de dichos hidrogeles. Ademas, tuvo un papel importante en
la redaccién del articulo. Este articulo no se ha utilizado ni formard parte, implicita o
explicitamente, de ninguna otra tesis doctoral.

e rene Buj-Corral, Héctor Sanz-Fraile, Anna Ulldemolins, Aitor Tejo-Otero,
Alejandro Dominguez-Ferndndez, Isaac Almendros, Jorge Otero. Characterization
of 3D Printed Metal-PLA Composite Scaffolds for Biomedical Applications.
Polymers (Basel). 2022 Jul 5;14(13):2754. doi: 10.3390/polym14132754.

IF: 4.967. Q1 (16/90)

Héctor Sanz realizd los andlisis de viabilidad celular de las muestras impresas en 3D.
Ademads, puso a punto los experimentos para comprobar si las células se adherian bien
a los sustratos utilizados, ademds de comprobar si expresaban marcadores de
osteocalcina tras el cultivo sobre dichos sustratos. También participd en la redaccién del
articulo. Este articulo no se ha utilizado ni formard parte, implicita o explicitamente, de
ninguna otra tesis doctoral.
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Ademads, cabe que el doctorando, durante el desarrollo de su Tesis Doctoral, ha
colaborado muy activamente en otros trabajos de investigacidon del laboratorio en los
gue ha llevado a cabo técnicas puestas a punto por el doctorado, como queda reflejado
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Comisién de Doctorado de la Universitat de Barcelona.

Ramon Farré Jorge Otero
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Chapter IX. Results summary

THE MAIN results of the present thesis have been disseminated through four scientific

papers. The overall aim of these works has been to develop and characterize new bioinks
for 3D bioprinting in tissue engineering. Regarding soft biomaterials, a decellularization
protocol has been developed and optimized to extract and manipulate the ECM from
native pig myocardial tissue, optimizing the matrix digestion time to achieve improved
mechanical properties of the hydrogel obtained. In addition, multiscale mechanical
characterization techniques have been developed using hydrogels composed of type |
collagen and cocoon silk. Finally, hBM-MSCs have been seeded inside the developed

hydrogels to study their biocompatibility.

On the other hand, FDM-based 3D printing techniques have been developed to
produce synthetic composite scaffolds. For this purpose, an yttria-doped zirconia
composite biomaterial and a steel-reinforced PLA biomaterial have been developed and
printed. In both materials, the surface has been characterized and the cell adhesion
capacity with and without collagen coating has been evaluated. Finally, in the case of

steel-reinforced PLA, stromal cell differentiation was studied.

The first article of this thesis (Chapter V) reported the development and
characterization of composite hydrogels from rat tail type | collagen and B. Mori
silkworm cocoons silk. The aim was to reach mechanical properties similar to those of
native myocardium. The developed hydrogels did not show phase separation between
both biomaterials. The microscale elastic moduli (Em) were measured at different silk
collagen ratios as well as in pure collagen. Pure collagen (Em = 0.62 + 0.13 kPa) showed
lower values than reinforced ones. Maximum values were found at 50% and 100% of silk
content (Em = 1.26 + 0.17 kPa and 1.31 * 0.23 kPa, respectively). Values for hydrogels
with 25% and 75% of silk content fell in between (Em = 1.05 + 0.15 kPa and 1.14 + 0.03
kPa, respectively). One-way ANOVA revealed a statistically significant effect of silk on

the microscale stiffness of the hydrogels.
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Regarding macroscale mechanical properties, they were increased in silk-
reinforced hydrogel versus non-reinforced ones. At 20% strain, control samples showed
a stress of 0.70 £ 0.08 kPa and a macroscale elastic modulus (EM) EM =9.93 £ 2.50 kPa.
Regarding silk-collagen hydrogels, maximum values were found at 75% of silk content
(stress of 1.77 + 0.05 kPa and EM = 31.16 + 2.96 kPa) and decreasing at 100% of silk
content (stress of 1.11 £ 0.11 kPa and EM = 18.42 + 2.22 kPa). One-way ANOVA revealed

a statistically significant effect of silk on the macroscale properties at 20% of strain.

The rheological properties were improved in silk-reinforced hydrogels. On the
one hand, storage modulus showed an increase from non-reinforced hydrogels to
reinforced ones. On the other hand, the viscosity in control bioinks slowly increased at
4 °C while it showed no changes in silk-reinforced collagen, which is a key factor for the

printability of the biomaterial.

hBM-MSCs were cultured in 3D within the developed bioinks. Cell viability was
studied at different times within collagen hydrogel as control and collagen hydrogel silk-
reinforced at 50% and 100% of silk content. Cells were mostly viable after 1 week of

culture and homogeneously distributed.

The second article of the thesis (Chapter VI) focused on the development of a
decellularized porcine myocardium-derived ECM bioink for 3D culture in cardiac tissue
engineering with improved mechanical properties. To do so, ECM was solubilized at
different pepsin digestion times to evaluate the optimum time for getting hydrogels as
stiffer as possible. The macroscopic structure of the hydrogel showed a structure
without fiber clusters and with the capacity to be manipulated by surgical tools without
breaking and recovering its original shape. The study of the ultrastructure showed a

fibrillary mesh with an average fiber diameter of 126 + 8 nm.

The bioinks were characterized by rheological analysis. Digestion times above
24h did not reach gelation after thermal crosslinking, while for digestion times between
12h and 24h, the gelation started gradually after reaching physiological temperature.
Furthermore, the cell-laden hydrogels were rheologically compared versus acellular
hydrogels after 7 days of cell culture, showing a softening when MSCs were cultured in

3D within the developed scaffolds.
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To evaluate the active crosstalk between the cECM and the hBM-MSCs, the area
of cell-laden hydrogel was measured at different days of culture (1, 4 and 7 days) and
compared versus acellular hydrogels, reaching almost 60% of contraction after 7 days of
cell culture. Cell-laden hydrogels were fixed and stained for Connexin 43 (Cx43), a-
Smooth muscle actin (a-SMA) and phalloidin, while they were counterstained by DAPI
(figure 9). Cells showed a characteristic spindle shape of MSC, while they showed a well-
formed cytoskeleton. The expression of Cx43 and a-SMA was positive in the cultured

hBM-MSCs within the hydrogel.

The third article of the thesis (Chapter VII) shows the development of a Yttria-
stabilized zirconia (YSZ) material which is 3D printed by an extrusion method and the
subsequent study of the viability of hBM-MSCs on the printed samples with different
surface roughness. The surface roughness on the top face of two 3D-printed zirconia
samples (with different infill values of 80% and 95%, respectively) was compared. The
average values of areal arithmetic mean (Sa), skewness (Ssk) and kurtosis (Sku) were
studied. Regarding the 80%, the values obtained were: Sa = 0.30+0.03 um, Ssk = -
0.002+0.48 um and Sku = 10.35+8.37 um, while to 95% infill density, the values obtained
were Sa = 0.69+0.01 um, Ssk = -0.14+0.05 um and Sku = 5.031£0.41 um.

Surface topography images revealed crests corresponding to the deposition of
material in parallel lines, typical of the FDM-based printing system. However, when
increasing the infill, only a few crests were observed, while these crests were more

pronounced.

Printed YSZ samples were coated with type | collagen at a concentration of 0.1
mg/mL. hBM-MSC were seeded on coated and uncoated samples, studying whether the
cells adhered to the uncoated substrate or whether they needed coating to adhere. Cells

were well-adhered to both coated and uncoated surfaces for 80% and 95% infill.

Finally, in the last article of this thesis (Chapter VIII), three PLA/metal composite
materials were fabricated by 3D extrusion printing and their surface was characterized.
Furthermore, the biocompatibility of the material was studied by the evaluation of its
osteogenic differentiation capacity. However, although steel, copper and bronze

reinforcements were studied, only steel showed cytocompatibility.
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Samples with different line spacing were printed. The higher the line spacing, the
greater the porosity of the materials analyzed. The arithmetical mean roughness (Ra),
the mean roughness depth (Rz), the kurtosis (Rku) and the skewness (Rsk) of the internal
and external layer of 3D printed steel-filled samples were quantified as well as the

profilometry of these samples.

To analyze cytocompatibility, a coating was performed with type | collagen at a
concentration of 0.1 mg/mL and adhesion was found to show no significant difference.
Therefore, cell behavior was analyzed after 1, 4 and 7 days. Finally, hBMMSCs were
cultured for 21 days on the steel/PLA scaffolds and the cells showed the presence of

osteocalcin, thus indicating their differentiation towards osteoblasts.
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TISSUE ENGINEERING is the discipline that works on supplying, from an engineering point
of view, the health deficiencies that the human body acquires as a result of diseases and
aging. One of the main areas of development in tissue engineering is biomaterials. Thus,
research in the field of biomaterials has for many years focused on developing materials
that influence cellular behavior (220), so engineered tissues can be developed by using
them as scaffolds for the cells. Most biomaterials developed in tissue engineering are
composed of two or more materials (they are composites), either to achieve better
mechanical properties or to improve qualities such as bioprintability, biocompatibility,

etc (221).

Concretely, they are formed by joining two or more materials of different natures
with a combination of properties; a matrix material and one or more reinforcing
materials. These composite biomaterials can be composed of natural (such as collagen,

elastin, silk, etc.) or synthetic (such as polycaprolactone, PLGA, PET, etc.) materials.

In the present thesis biomaterials that can be used as bioinks for the 3D
bioprinting of scaffolds have been developed. Their structural and biological properties
have been evaluated by a multiscale analysis of their biomechanics and the culture of

Mesenchymal Stromal Cells in the developed scaffolds.

Sericin-preserved silk improves the mechanical properties of collagen scaffolds for

tissue engineering.

One of the main goals of tissue engineering is to develop biomaterials that mimic
the mechanical properties of native tissue. Therefore, one of the first objectives of this
thesis was to develop a biomaterial composed of type | collagen from rat tails reinforced
with silk from B. mori cocoons which could mimic the mechanical properties of the

native heart. (Chapter V).
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The methodology presented herein produced mechanically-tunable hydrogel-
based bioinks suitable for the development of scaffolds by 3D bioprinting. In this study,
the reinforcement of COL | structures with silk microfibers resulted in an increase of
more than two-fold in the macro- and micromechanical properties of the developed
scaffolds. Furthermore, the final hydrogels did not show phase separation at the
macroscopical level, which was one of the main problems detected with other methods

used in studies published before (222).

Since no aggressive physical or chemical methods were used to prepare the
composite hydrogels developed in Chapter V, the biomaterials obtained were suitable
for 3D cell culture. To reach a good silk-collagen mixture, it was necessary to solubilize
the silk with an alkaline buffer, which is a common procedure (223) after cryogenic
milling of the material. Cryogenic milling is a very common technique for the preparation
of ECM-derived biomaterials (224). Regarding type | collagen extraction, a well-known
acid extraction method was used (225). This method is suitable to preserve the
telopeptides in tropocollagen molecules (226), obtaining collagen fibrils capable of

interacting with each other and with other proteins.

Natural COL | hydrogels present an elastic modulus of =1 kPa (194, 227).
However, the mechanical properties observed in native tissues of different organs, such
as the heart, are often above this value, as demonstrated by previous studies (228, 229).
To achieve hydrogels with an elastic modulus closer to that of the heart, a multiscale

mechanical analysis was performed at different silk concentrations (from 25% to 100%).

For this purpose, hydrogels with a silk reinforcement content of 0% (control),
25%, 50%, 75% and 100% were produced. The macroscopic properties were analyzed at
a strain of 20%, which is a strain with physiological relevance in biological applications
involving cardiac diseases (230). To avoid the variability inherent to the geometry of the

sample analyzed, the characterized hydrogels were fabricated by 3D bioprinting.

One of the key factors when a composite biomaterial is developed is the
interface at the microscopic level of the different materials. As observed in the
ultrastructure characterization carried out by SEM, there was a good integration of the

silk fibers within the collagen matrix, which resulted in no phase separation between
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both biomaterials at the macroscopic level as well as no denaturation of the collagen

fibrils was appreciated (231).

Interestingly, the mechanical properties of the composite hydrogels increased as
the reinforcement content present in the hydrogels increased until reaching a maximum
at 75% of silk content. At macromechanical level, when the hydrogels were reinforced
with the same weight percentage of silk (100% silk content) as type | collagen, the
stiffness decreased. It seemed that there is a limit in silk content that, when it is
surpassed, affects the formation of the collagen matrix. In the formation of composite
materials, as the content of reinforcing material increases, the mechanical properties of
the composite material also increase, but only to a certain extent. After that point, a
decrease in mechanical properties may occur due to the interface between the
reinforced material and the reinforcing material, or the formation of discontinuities in
the material (232). Similar effects have been seen in other studies in hydrogels (222,

233) and other composite materials (234).

However, at the micromechanical level, the Young’s modulus reached twice the
value of control collagen when reinforcing hydrogels with silk, remaining relatively
stable for all silk concentrations. This difference regarding the mechanical properties at
the macroscopic level could be because, in a composite material, the properties of the
whole are greater than the mechanical properties separately. When performing the
analysis using AFM equipped with a cantilever with a spherical tip, the stiffness analysis
is performed on a few fibers and not on the whole material. This same effect appears in

various multiscale mechanical studies (112, 235, 236).

One of the most important physical parameters of bioinks is their printability. In
the case of collagen-based bioinks, they start to form a hydrogel under physiological
conditions (neutral pH and 37 °C) (237). However, numerous studies have highlighted
several issues that arise when using bioprinting with bioinks based solely on collagen:
the difficulty of using it at high concentrations (the higher the concentration, the
stronger the mechanical properties) (231, 238, 239). Various techniques have been used
to overcome this problem, such as using collagen at low concentrations (240) or
combining it with other materials (241). Thus, the printability of the developed

composite hydrogels was evaluated by rheometry. Remarkably, rheological properties
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(viscosity) of collagen pregels changed before reaching 37 °C over time, which was in
concordance with previous studies (242, 243). This feature of the pregel complicates its
use as a bioink, as obstructions may appear in the needle or syringe. Nevertheless, silk-
reinforced bioink maintains constant rheological properties for temperatures below 37

°C, facilitating its use as material for 3D bioprinting.

Regarding 3D cell culturing within the developed composite hydrogels, the
experiment showed that a high number of hBM-MSCs were alive after 7 days of 3D cell
culture in the reinforced hydrogels. Therefore, the developed structures seem to be
suitable for the development of cardiac patches or MSCs preconditioning. Although
some studies highlight the immunogenic activity of sericin (244), more recent studies
not only show that the immunogenicity of fibroin and sericin do not differ (245), but also

that sericin may have positive effects on mesenchymal cells (246).

In summary, the novel aspect of this developed composite biomaterial is that
sericin is preserved, resulting in better integration between fibrils and microfibers.
Nevertheless, most studies where silk has been used in tissue engineering have focused
solely on the use of fibroin (247). However, in our study, we have shown that preserving
sericin has positive effects on the development of mechanically more stable structures.
In addition, an increase between two- and threefold in stiffness is of high importance,
reaching the elastic modulus of native myocardium while type | collagen is still the main

protein of the developed scaffolds.

Cardiac ECM-derived hydrogels can be optimized for developing 3D bioscaffolds.

One of the most commonly used matrix-derived materials in tissue engineering
is organ-derived ECM (248). Therefore, it is mandatory to develop a proper
decellularization protocol for the native ECM while maximizing the removal of cell debris
and DNA as well as minimizing tissue damage. However, unlike the obtention of rat-tail
derived type | collagen, which is performed by solubilization of the tendons in weak
acids, the decellularization of tissues is commonly performed by using different reagents
before digesting the resulting matrix with pepsin and strong acids. It is then important

to evaluate and characterize the mechanical properties of the structures after different
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digestion times with pepsin as well as to study the response of cells when cultured in 3D
within the developed scaffolds. This was another objective of this thesis, which has been

studied and developed in Chapter VI.

The biomaterial presented in Chapter VI is a native porcine cardiac-derived
hydrogel. It is suitable for 3D bioprinting scaffolds for 3D cell culture of MSCs. The
protocol for obtaining a well-decellularized ECM from the native myocardium was tuned
up, as well as the matrix enzymatic digestion process was adjusted to get a hydrogel as
stiffer as possible. The main feature of the hydrogels developed from this bioink is that
they do not require additional reinforcements or crosslinkers, achieving structures with
sufficient rigidity to be manipulated with surgical material and implanted in vivo without
breaking, which is one of the major challenges in cardiac tissue engineering (200, 228,

249).

Several research groups are developing cardiac ECM-derived hydrogels.
However, bioinks obtained from pure cardiac ECM (cECM) have only been developed at
low concentrations (88, 250), resulting in scaffolds with weak mechanical characteristics
(251). Therefore, fine-tuning a protocol with which to obtain a pure cardiac matrix
hydrogel, capable of being thermally crosslinked at a concentration of 20 mg/mL, is an

important achievement for the advancement of cardiac engineering research.

Concerning the macroscopic structure of the developed scaffolds, there was no
evidence of macroscopically-visible fiber board clusters. In addition, SEM images
showed the typical fibrillar structure of ECM-derived hydrogels (252). The diameter of
the fibers obtained in the cECM hydrogels (126 + 8 nm) coincided with the diameter of
tropocollagen fibers (253) and they were in the same diameter range of COL | fibrils
(109) as well as similar to the diameter of the collagen fibers obtained in the hydrogel
developed in the Chapter V. Furthermore, the structure of this cECM scaffolds showed

to be similar to that of the native ECM (252).

Another important factor in the study was to characterize the optimal digestion
time. Interestingly, the cECM hydrogels only reached gelation with an enzymatic
digestion time between 16 and 24 hours. For longer digestion times, the hydrogel did

not gel. This differs from other investigations where ECM-derived hydrogels have been
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developed, in which much longer digestion times are used for lower ECM concentrations
(250). However, the longer the ECM is solubilized in a strong acid and the longer the
enzymatic digestion lasts, the more damage the proteins that compose the matrix are
suffering (82). Thus, hydrogels digested for 24 hours showed the highest storage
modulus (G' = 24 Pa), which is in the same range of other natural organ-derived

hydrogels, such us lung ECM (194) or cardiac ECM hydrogels (88).

To test the biocompatibility of the scaffolds developed in Chapter VI, hBM-MSCs
were cultured within the hydrogels for 7 days. After one day of cell culture, the scaffolds
already showed an approximate 20% shrinkage of their size as compared to the acellular
hydrogel. This contraction was higher than 50% after one week of cell culture. The
observed shrinkage may be due to several factors beyond the scope of the study
(degradation of the matrix proteins or physical interaction between the cells and the
matrix, where cells could be pulling the fibers of the structure (254, 255)); likewise, to
try to better understand the mechanism of cell-matrix interaction within these
hydrogels, the rheology of the cellular and acellular structures was analyzed after 7 days

of cell culture.

The measured rheological properties of the cell-laden hydrogels were in the
same range as other cECM-derived hydrogels studied in the literature (88). However,
the cellular scaffolds showed lower mechanical properties than the acellular scaffolds.
This finding, together with the contraction observed in the cell-laden hydrogels, points

out the active crosstalk between the cECM and the hBM-MSCs.

Cells cultured within the developed hydrogels were stained with Connexin 43
(Cx43) and a-Smooth muscle actin (a-SMA) and counterstained with DAPI and phalloidin
to study the cell viability of the hBM-MSCs within the structures as well as the behavior
of the cells after seven days of cell culture. Thus, a positive expression of Cx43 was
observed, pointing out cell-cell communication, which plays a key role in the physiology
of the heart (256, 257). In addition, a positive expression of a-SMA was revealed too,
showing that there were interactions between the cells and the matrix, which is an

indicator of ECM remodeling (258, 259).
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Yttria-Stabilized Zirconia scaffolds can be 3D printed by using direct ink writing.

Although soft tissue bioprinting is very important for the development of tissue
engineering in organs such as the heart, which has mechanical properties already
analyzed in this thesis, rigid tissue bioprinting is also an important challenge in tissue
engineering. Therefore, as discussed in Chapter |, materials such as zirconia (260) or PLA
(211) are emerging as suitable synthetic materials for the repair and replacement of rigid
organs, such as bone (261). Therefore, another objective of this thesis was to develop
additive manufacturing techniques for constructing complex synthetic composite
scaffolds. Thus, developing a scaffold of yttria-stabilized zirconia (YSZ) by 3D bioprinting

with high biocompatibility was the first step for reaching this aim (Chapter VIl).

The biomaterial presented in Chapter VIl is a 3D-printed YSZ scaffold with
different surface roughness suitable for using it as biomedical material in an implant.
Although metallic materials have been commonly used in biomedical applications due
to their optimal mechanical properties, they have the disadvantage of releasing metal
ions over time. This release of metal ions can cause biological alterations, such as
inflammatory reactions (262). As an alternative to metals, the use of ceramic materials
is growing. Ceramic implants or prostheses produce less debris and have greater

durability (263).

To study the surface physical properties of extrusion-bioprinted YSZ scaffolds,
the roughness of the top face of the samples was characterized. For this purpose, three
physical properties were measured: surface arithmetic mean (S,), skewness (Ss) and

kurtosis (Sku). Tests were performed on samples with 80% and 95% infill patterns.

In both types of samples, Sa showed values lower than 1, which implies that the
material is considered smooth, from the point of view of osteointegration (264). This
implies that the bioprinted scaffolds with the parameters designed in Chapter VIl do not
require a final polishing operation. In addition, S value was slightly negative in both
cases, indicating a predominance of valleys instead of peaks (265). Furthermore, Sk, was
greater than 3 for both the 80% and 95% infill samples, showing a normal distribution
of surface roughness heights (265). Both S« and Sk, are parameters related to controlling

the surface friction of the samples (266).
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Regarding the study of the biocompatibility of the scaffolds developed in Chapter
VII, it was evaluated by culturing of hBM-MSCs on the surface of the samples. Since
metal alloys require a collagen coating to improve biocompatibility and cell attachment
as well as corrosion resistance (267, 268), it was important to characterize the cell
attachment on the developed structures. As previously shown in Chapter VII, hBM-MSCs
were able to attach to the 3D-bioprinted YSZ scaffolds with and without collagen
coating. After 3 days of cell culture no differences in cell survival were observed in the
scaffolds. Consequently, it seems that the roughness obtained in the developed
scaffolds, as well as the nature of the materials used, make them suitable candidates for

culturing MSCs.

Therefore, the developed material showed good biocompatibility, allowing
direct cell culture on top of the bioprinted scaffolds without the need of covering the
surface with ECM proteins. This result suggests that unspecific adhesions are being
formed between the material and the cells, opening the door to its use for in vitro
experiments. Anyway, more extensive studies on cell viability and proliferation should

be performed to confirm this hypothesis.

From the experiments presented herein, 3D-printed YSZ showed to be a suitable
material in implants. The topological properties of the material showed a good surface
roughness, allowing the use of the scaffolds for a prosthesis. In addition, the need of
coating the surface, as happens in other materials used in prosthesis printing, is avoided
with the developed material, thus minimizing the need for complex post-processing

processes.

3D Printed Metal-PLA composite scaffolds induce osteogenic differentiation of

Mesenchymal Stromal Cells.

PLAis emerging as a suitable synthetic material for bioprinting applications (211).
However, their low stiffness has led to adding metals to the polymeric matrix to improve
its characteristics (218, 269). Although the use of zirconia as a viable material for cell
growth in 3D scaffolds has been studied in Chapter VII of this thesis, very few or non-

concluding studies have evaluated the biological response of MSCs in metal-PLA
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composite materials. Thus, the last step for achieving all the objectives of this thesis was
to develop and characterize a 3D printed metal-PLA composite scaffold for tissue

engineering (Chapter VIII).

Although metals and metal alloys have been widely used as bone substitutes or
implants (215, 216), numerous studies have shown the cytocompatibility of 3D-printed
iron-based scaffolds with polymeric coating for bone regeneration (270, 271, 272).
Therefore, we hypothesized that the development of metal-reinforced polymeric
materials would be suitable for cell growth. In addition, porosity is a key element to
consider for the development and synthesis of biomaterials (273). Hence, developing a
polymer-based, metal-reinforced composite biomaterial that can be 3D printed to
control the porosity of the scaffold was the objective of the study presented in Chapter

VIII of this thesis.

To find the best material to mix with PLA to develop printed structures, the
biocompatibility of copper, bronze and steel as reinforcement within the scaffold was
first analyzed. For this purpose, the samples were divided into collagen-coated and
uncoated samples. hBM-MSCs were seeded on the coated and uncoated samples and
cell survival was analyzed after 24 h and 72 h of culture. However, both the copper-filled
and bronze-filled materials exhibited high cytotoxicity as no cells were adhering to these
scaffolds after 24 h of cell culture. On the other hand, steel-filled PLA samples showed
high cytocompatibility in both collagen-coated and non-collagen-coated samples,
especially in samples with a line spacing of 0.6mm and 0.7 mm. This toxicity found in
bronze and copper is in agreement with other published studies, where copper (and
therefore bronze, being an alloy of copper and tin) was shown to be highly cytotoxic

(274, 275).

As with the material studied in Chapter VI, the steel-filled PLA scaffolds allowed
direct cell culture on the samples without the need for surface coverage. This is an
improvement over other metallic alloys used in tissue engineering, which require this
collagen coating to achieve both proper cell attachment and good biocompatibility (267,
268). Therefore, it seems that the material properties of the structures printed in
Chapter VIIl promote the formation of nonspecific adhesions between hBM-MSCs and

the surface of the samples. On the other hand, cell viability was affected in steel-filled
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PLA structures with a line spacing of 0.8 mm. Therefore, it seems that as the porosity of
the structure increases, cell viability decreases, which is in agreement with other

published studies (276).

From the physical characterization, the external face showed the highest results
(up to 35 mm), and all of them greater than 1, which is the value previously shown to be
defined for a smooth surface from the point of view of osteointegration (264). It can be
seen that the value obtained in S, is much higher than that obtained for the YSZ
structures studied in Chapter VII. This is because the steel-filled PLA scaffolds were
printed without a top layer to favor cell migration toward the interior of the structure.
However, Sk, values turned out to be around 3 in all cases, which was previously
discussed as corresponding to a normal distribution of the roughness heights in each
profile. Finally, Ssk values were negative on the outside of the scaffolds, corresponding

to a greater presence of valleys than crests.

Once it was defined that the best composite material, in terms of
biocompatibility of the materials studied in Chapter VIII, was steel-reinforced PLA, the
impact of the developed material on the cell fate was analyzed. For this purpose, hBM-
MSCs were seeded on the 3D-printed structures and cultured without osteogenic
supplements for 21 days. After that time the cells showed an elevated presence of
osteocalcin as well as an increased broad spreading area compared to control cells. In
addition, the cells showed the characteristic spindle-like shape of mesenchymal cells
and the enlarged phenotype was similar to those found in differentiated osteoblasts

when they are cultured on rigid structures (277, 278, 279).
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1. Aprotocol for the decellularization of native porcine myocardium was optimized
for developing cardiac ECM hydrogels (Objective I).
a) The optimal enzymatic digestion time to achieve the best mechanical
properties of the resulting hydrogel was studied and evaluated.
b) The developed hydrogel showed active crosstalk between the cells and the

scaffold as well as cell-cell communication.

2. ECM-derived hydrogels were developed and modified by reinforcing them with
another natural material (silk) to modify their multiscale biophysical proprieties
(Objective Il).

a) The micromechanical stiffness was increased by adding different
concentrations of silk to the type | collagen hydrogel, which was
characterized by Atomic Force Microscopy.

b) The macromechanical stiffness was increased by adding silk at different
concentrations to the type | collagen scaffolds until the maximum Young's
modulus was reached at a concentration of 75% silk to collagen. These
mechanical properties were evaluated by tensile testing.

c) The printability of the developed bioink was improved by the addition of silk,
which could be verified by kinetic analysis using the rheology of bioink
gelation.

d) The ultrastructure of the bioprinted hydrogels showed a fiber diameter
similar to the diameter of tropocollagen fibers and in the same range as type

| collagen fibrils.

3. Different composite biomaterials for bone tissue engineering were developed
and studied, which were 3D printed to build custom-shaped scaffolds (Objective
).

a) The developed 3D structures were suitable for use as in vitro models.
b) The need for using a collagen coating on the printed parts was analyzed. It
was found that the uncoated parts showed a high capacity to generate

unspecific adhesion in human bone marrow mesenchymal stromal cells.
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c)

d)

Human bone marrow mesenchymal stromal cells seeded on scaffolds 3D
printed with both yttria-stabilized zirconia and steel-reinforced polylactide
showed high cell viability after several days of culture. In addition,
osteocalcin markers on steel-filled polylactide scaffolds were positive after
21 days of culture.

The roughness of the printed structures was analyzed, showing a surface

suitable for cell culture without the need for any post-processing.
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Appendix B. Step-by-step protocol for silk solubilization

THIS APPENDIX describes in detail the protocol for the solubilization of silk from B. Mori
silkworm cocoons, which is the method used in chapter five of this thesis. Several
protocols for silk extraction and solubilization have been published, but most of them
use lithium bromide in high concentrations to promote protein solubility (280).
However, this solvent is highly cytotoxic (281). Therefore, the protocol developed during
my PhD studies uses only sodium hydroxide (NaOH) as a solvent, which is widely used
as a neutralizer in the digestion of ECM-derived hydrogels.

MATERIALS

e B. Mori silkworm cocoons (AYARA Health, Yangon, Myanmar).
e MilliQ water.

e PBS 1X (Gibco, Massachusetts, cat. no. 10010-015).

e Sodium Hydroxide (Sigma, cat. no. 1310-73-2).

e Hydrochloric acid (Sigma, cat. no. 320331).

EQUIPMENT

e Micro-spoon (DD Biolab, cat. no. 076190).

e Dissecting scissors (Fisher Scientific, Fisherbrand model, cat. no. 15277168).
e Plastic Pasteur pipette (Sigma, cat. no. Z331740).

e 15 mL sterile Falcon tube (Corning, cat. no. 652095).

e 50 mL centrifuge tube (Sigma, cat. no. CLS430829).

e 10 uL pipette tips (Eppendorf, cat. no. 0030000854).

e 200 L pipette tips (Eppendorf, cat. no. 0030000897).

e 1000 puL pipette tips (Eppendorf, cat. no. 0030000927).

e 0.5-10 pL micropipette (Eppendorf, cat. no. ES-10).

e 20-200 pL micropipette (Eppendorf, cat. no. ES-200).

e 100-1000 pL micropipette (Eppendorf, cat. no. ES-1000).

e pH-indicator strips (Sigma, cat. no. 1095350001).

e Analytical balance (PCE Instruments, Germany, PCE-BSH-6000).
e Freezer miller (Spex, 6775 model).

e Small grinding vial set (Spex, 6751 model).

e Cryo-Gloves (Tempshield, cat. no. MAMWP).

e Magnetic stirring bar, cylindrical (VWR, cat. no. 442-4520).

e Magnetic stirrer (Cimarec i, Poly 15 model, cat. no. 10145751).

PROCEDURE
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Cryomilling of B. Mori silkworm cocoons.

1.1. Cut cocoons with dissecting scissors into 0.5 x 0.5 cm.

1.2. Open the small grinding vial and insert the cocoon pieces cut to cover a quarter
of the vial (including the metal piece).

1.3. Fill the freezer miller tank with liquid nitrogen. Close the top of the freezer miller
(without inserting the vial) so that all internal components reach the same
temperature as the liquid nitrogen.

1.4. Reopen the top of the freezer miller and insert the small grinding vial with silk.

1.5. Press the "Start" button. The protocol must be set with the following
parameters:

1.5.1. PRE-COOL: 2
1.5.2. RUN TIME: 6:00
1.5.3. COOL-TIME: 1
1.5.4. CYCLES: 1
1.5.5. RATE: 10 CPS

1.6. When the cycle is complete, open the top of the freezer miller, remove the small
grinding vial with cryo-gloves, and place the vial in water to temper it.

1.7. Open the vial and use the micro-spoon to scoop out the silk powder and place
it in a 50 mL centrifuge tube.

1.8. Repeat the above steps until all cocoons are cryomilled.

Solubilization of silk.

2.1. Take the desired amount of silk powder and place it in a new 50 mL centrifuge
tube.

2.2. Use a 100-1000 micropipette with a 1000 pL tip to add 1 mL of sodium hydroxide
1M per 100 mg of silk powder.

2.3. Using a plastic Pasteur pipette, make an up-and-down motion into the tube.

2.4. Insert a magnetic stirring bar (3 mm in diameter and 6 mm length) into the 50
mL tube, close the tube and place it on the magnetic stirrer at 450 rpm until the
silk dissolves macroscopically (usually less than 1 hour).

Neutralization.

3.1. When the silk is dissolved, neutralize the solution with hydrochloric acid 2M
(0.45 uL per 1 mL of solution).

3.2. Finish the neutralization adjustment by checking the pH of the solution with a
pH-indicator strip (pH = 7.4).

3.3. Once neutralization is complete, take the desired amount to use the silk as
reinforcement in a pregel.
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Appendix C. Step-by-step protocol for porcine-derived

hydrogel development

THIS APPENDIX describes in detail the protocol for obtaining a cardiac extracellular matrix

derived hydrogel from porcine myocardia. This protocol is based on the one published
by Becker M. et al. (69), which works with myocardium from human hearts. This protocol
was stablished in the laboratory during my PhD studies, and it was implemented in the
laboratory by me.

MATERIALS

MilliQ water.

PBS 10X (Gibco, Massachusetts, cat. no. 70011044).

PBS 1X (Gibco, Massachusetts, cat. no. 10010-015).

Sodium Hydroxide (Sigma, cat. no. 1310-73-2).

Hydrochloric acid (Sigma, cat. no. 320331).

Tris (Bio-Rad, cat. no. 1610719).

Ethylenediaminetetra-acetic acid (EDTA) (VWR Chemical, cat. no. 20294.294).
Sodium dodecyl sulfate (SDS) (Sigma, cat. no. 75746).

Fetal Bovine Serum (FBS) (Gibco, cat. no. 10270106).

Pepsin from porcine gastric mucosa, 22500 unit/mg (Sigma, cat. no. P7012-
250MG)

EQUIPMENT

Micro-spoon (DD Biolab, cat. no. 076190).

Precision tweezers (BIONIC, cat. no. 91197-00)

Dissecting scissors (Fisher Scientific, Fisherbrand model, cat. no. 15277168).
Plastic Pasteur pipette (Sigma, cat. no. Z331740).

15 mL sterile Falcon tube (Corning, cat. no. 652095).

50 mL centrifuge tube (Sigma, cat. no. CLS430829).
Polypropylene beaker 1000 mL (Kartell, cat. no. 0180800).
10 pL pipette tips (Eppendorf, cat. no. 0030000854).

200 pL pipette tips (Eppendorf, cat. no. 0030000897).
1000 pL pipette tips (Eppendorf, cat. no. 0030000927).
0.5-10 pL micropipette (Eppendorf, cat. no. ES-10).
20-200 pL micropipette (Eppendorf, cat. no. ES-200).
100-1000 pL micropipette (Eppendorf, cat. no. ES-1000).
5 mL serological pipette (Corning, cat. no. CLS4487).
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e Pipette controller (Corning, cat. no. CLS4099).

e pH-indicator strips (Sigma, cat. no. 1095350001).

e Analytical balance (PCE Instruments, Germany, PCE-BSH-6000).
e Freeze-dryer (Telstar, LyoQuest model).

e Freezer miller (Spex, 6775 model).

e Small grinding vial set (Spex, 6751 model).

e Cryo-Gloves (Tempshield, cat. no. MAMWP).

e Magnetic stirring bar, cylindrical (VWR, cat. no. 442-4520).

e Magnetic stirrer (Cimarec i, Poly 15 model, cat. no. 10145751).
e Orbital shaker (IKA KS, 130 basic model, cat. no. Z341800).

e Cryostat (Thermo, HM 560 model).

e Embedding matrix for frozen sections (OCT) (CellPatch, cat. no. KMA-0100-00A).
e Centrifuge (Heraeus Instruments, Labofuge 400R model).

e Vortex (Scientific Industries, Vortex-Genie 2 model).

e Scalpel (Swann Morton, cat. no. 0206).

e Scalpel no. 20 blade (Swann Morton, cat. no. 0306).

e 6-well cell culture plates (Corning, cat. no. 3506).

PROCEDURE

1. Preparation of porcine left myocardium for cryosectioning.

1.1. Collect the whole heart from a local slaughterhouse.

1.2. Wash the heart with de-ionized water before freezing them at -80 °C for at least
one overnight for storage and to aid in cell lysis.

1.3. Slowly thaw the heart (from -80 °C to 4 °C) and dissect the left myocardium with
a scalpel with a no. 20 blade.

1.4. Once the left myocardium has been dissected, it is cut into 1 x 1 x 1 cm cubes
and placed in the wells of 6-well cell culture plates.

1.5. Store the 6-well cell culture plates containing the cubes at (-80 °C). The tissue
can be stored for several months, until the cryosectioning.

2. Cryosectioning of the left myocardium cubes into slices.

2.1. The day before cryosectioning, place 6 empty 50 mL tubes at -80 °C (6 tubes per
each 6-well plate to be cryosectioned).

2.2. Set the object and chamber temperature of the cryostat (-21 °C and -19 °C,
respectively).

2.3. Place the precision tweezer inside the cryostat.

2.4. Transfer six empty tubes and one 6-well plate from the freezer to the cryostat.

2.5. Fix a left myocardial cube on the cold stamp with OCT.

2.6. Set the cryostat to 300 um.

2.7. Start the cryosectioning of the left myocardial cube in 300 um slices.

2.8. Take each slide with the cold precision tweezer and place itina 50 mL cold tube.

2.9. Cut the entire left myocardial cube into slices and place them all in the same 50
mL tube. IMPORTANT: If the tube fills up and you have not finished slicing the
left myocardial cube, do not squeeze the slices to fit more; use a new tube.
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2.10. When the entire left myocardial cube is cryosectioned, close the 50 mL
tube and store it at -80 °C until the decellularization steps are initiated.
2.11. Repeat the steps from 2.5 to 2.9 for every left myocardial cube.

Decellularization of porcine myocardium slices.

3.1. Take six 50 mL tubes from the -80 °C freezer for each decellularization protocol
you wish to begin.

3.2. Add 300 mL of lysis solution (10 mM Tris, 0.1% w/v EDTA, pH 7.4 in dH20) to a
1000 mL beaker. IMPORTANT: 300 mL of lysis solution in 1000 mL beaker will
work properly with six 50 mL tubes filled with heart slides. To decellularize more
tubes, use multiple beakers containing the same amount of solution.

3.3. Transfer the slices from the six 50 mL tubes to the beaker and shake it for 2
hours at room temperature (160 rpm).

3.4. Transfer the slices to a new beaker containing 300 mL of 0.5% SDS in PBS and
shake it for 6 hours at room temperature (160 rpm).

3.5. Strain the solution and wash the slices three times with 300 mL PBS for 10
minutes each while shaking at room temperature (160 rpm).

3.6. Leave the slices in PBS at 4 °C overnight while shaking (160 rpm). IMPORTANT:
Steps 3.1 through 3.6 should be performed on the same day.

3.7. Discard the PBS and transfer the slices to a new beaker containing 150 mL of
FBS at 37 °C.

3.8. Incubate the slices for 3h at 37 °C.

3.9. Discard FBS and wash the slices three times with 300 mL PBS for 10 minutes
each while shaking at room temperature (160 rpm).

3.10. Transfer the slices decellularized to a 15 mL tube and store it at -80 °C
until the freeze-drying process begins. IMPORTANT: Do not fill the 15 mL tube
more than three-quarters full. Use as many 15 mL tubes as needed.

Freeze-drying

4.1. Transfer the 15 mL tubes of decellularized heart tissue from the -80 °C freezer
to a freeze dryer and allow the tubes to freeze dry for 48 hours.

4.2. After 48 hours, store the 15 mL tubes of freeze-dried decellularized heart tissue
at -80 °C until the cryomilling process begins.

Cryomilling

5.1. Take out the decellularized tissue from the -80 "C and cut each sponge into small
pieces with dissecting scissors into =0.5 x 0.5 cm cubes.

5.2. Open the small grinding vial and insert the heart pieces cut to cover a quarter
of the vial (including the metal piece).

5.3. Fill the freezer miller tank with liquid nitrogen. Close the top of the freezer miller
(without inserting the vial) so that all internal components reach the same
temperature as the liquid nitrogen.

5.4. Reopen the top of the freezer miller and insert the small grinding vial containing
the freeze-dried heart.

5.5. Press the "Start" button. The protocol must be set with the following
parameters:

5.5.1. PRE-COOL: 1
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5.6.

5.7.

5.8.

5.9.

5.5.2. RUN TIME: 5:00

5.5.3. COOL-TIME: 1

5.5.4. CYCLES: 1

5.5.5. RATE: 10 CPS

When the cycle is complete, open the top of the freezer miller, remove the small
grinding vial with cryogenic gloves, and place the vial in water to temper it.
Open the vial and use the microspoon to scoop out the cardiac ECM (cECM)
powder and place it in a 50 mL centrifuge tube.

Repeat the above steps until all freeze-dried decellularized cardiac slice sponges
are cryomilled.

Store the powder at -80 °C until the digestion protocol is initiated.

Enzyme based digestion of cECM powder.

6.1.

6.2.

6.3.

6.4.
6.5.

Take out the powder from the freezer and place the required amount (for a
concentration of 20 mg/mL) in a 50 mL tube. To do so, tare a balance with the
empty tube and add powder until the desired weight is reached. For example,
to obtain 5 mL of final pregel, weigh 100 mg of powder.

Tare the balance again and add pepsin from porcine gastric mucosa to a
concentration of 10% w/w. For example, if you used 100 mg of cardiac powder,
add 10 mg of pepsin.

Use pipette controller with a 5 mL serological pipette to add 5 mL of
hydrochloric acid 0.1M.

Using a plastic Pasteur pipette, make an up-and-down motion into the tube.
Insert a magnetic stirring bar (3 mm in diameter and 6 mm length) into the 50
mL tube, close the tube and place it on the magnetic stirrer at 450 rpm for 48
hours at room temperature.

Neutralization of the digestion and hydrogel development.

7.1.

7.2.

7.3.

7.4.

7.5.
7.6.

7.7.

Stop magnetic stirring. TIP: The following steps show the neutralization
protocol. Itis advisable to neutralize in 1 mL aliquots because some of the initial
5 mL solution will have evaporated in the exothermic process created with the
hydrochloric acid and there will be less of the initial amount.

Using a 100-1000 micropipette with a 1000 L tip, transfer 1 mL of the pepsin
digested solution to a 15 mL tube.

Add 1/9 of cold 10X PBS (pH 7.4). Example: To neutralize 1 mL of pepsin digested
solution, add 111 pL of 10X PBS.

Add 1/8 of cold 1M NaOH. Example: To neutralize 1 mL of pepsin digested
solution, add 125 pL of 1M NaOH.

Vortex the tube containing the solution.

Complete the neutralization adjustment by checking the pH of the solution with
a pH-indicator strip (pH = 7.4).

Mix the final volume of neutralized solution with 1X culture media with
suspended cells (or 1/10 of cold PBS for acellular hydrogels) and introduce it
into the desired mold at 37 °C, 5% CO; and 21% O, for 60 minutes.
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Appendix D. Implementation of rheological
measurements

RHEOLOGICAL MEASUREMENTS were first implemented and established in the laboratory
by me during my PhD studies. Through a collaboration with the pneumology team at the
Hospital Clinic (Prof. Antoni Torres), we had access to a HAAKE RheoStress 1 rheometer
(ThermoFisher, Massachusetss, United States). The rheometer was recently purchased
had not been used when | set it up to characterize both the rheology of hydrogels and
physiological samples for the Pneumology group, in a collaboration that is still active
today. Here | explain how to characterize extracellular matrix-derived hydrogels using
the rheometer's software (RheoWin).

All tests were performed by loading the sample onto a Peltier plate set at 37 °C when a
hydrogel is characterized or at 4 °C when a pregel is characterized. In addition, all tests
were performed by oscillatory testing with a 35 mm serrated parallel plate geometry.

Oscillatory frequency sweep.

To select a measurement frequency within the viscoelastic range of the hydrogel, it is
important to analyze the values of the storage modulus (G’) and the loss modulus (G’)
by performing an oscillatory frequency sweep test. For this purpose, a test is carried out
with the following values:

e Gap:1mm

e Strain:0.5% +0.025%

e Frequency start: 0.1 Hz (0.6283 rad/s).
e Frequency end: 100 Hz (628.3 rad/s).
e Temperature: 37 °C.

e Break criteria: No

The end of the linear viscoelastic region can be found when G’ decreases by 5% from the
initial value.

Oscillatory amplitude sweep.

Once the ideal frequency within the viscoelastic region is obtained (X), an oscillatory
amplitude sweep test is performed to obtain the rheological properties of the
characterized hydrogel.

e Gap:1mm
e Strainstart: 0.1 % (5.71-107 rad).
e Strain end: 1000 % (0.5714 rad).
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e Frequency: X Hz (X rad/s). NOTE: X is the value obtained in the previous test.
e Temperature: 37 °C.
e Break criteria: No

Analysis of gelation kinetics of ECM-derived hydrogels.

One of the most important properties when characterizing a bioink is its printability. For
this purpose, it is essential to start the analysis in the pregel state and to perform the
rheological characterization of the entire gelation process.

1. Rheological measurement in the pregel state
1.1. Temperature: 4 °C.
1.2. Gap: 0.2 mm
1.3. Strain: 0.5 % + 0.1250 %.
1.4. Frequency: 0.1 Hz (0.6283 rad/s).
1.5. Duration: 600 s.
1.6. Break criteria: No.
2. Analysis of gelation kinetics
2.1. Temperature: 37 °C
2.2. Gap: 0.2 mm
2.3. Strain: 0.5 % + 0.1250 %.
2.4. Frequency: 0.1 Hz (0.6283 rad/s).
2.5. Duration: 1200 s. NOTE: Longer times may affect mechanical properties due to
water evaporation.
2.6. Break criteria: No

IMPORTANT: All the above steps must be performed during the same test; with no
pause in between.
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