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Web summary

The complexity of biological tissue presents a challenge for engineering of
mechanically compatible materials. Guimaraes and colleagues discuss how
understanding tissue stiffness, from extracellular matrix and single cell components to

bulk tissue, facilitates the engineering of materials with life-like properties.

Abstract

The past 20 years have witnessed ever-growing evidence that the mechanical properties
of biological tissues, from nanoscale to macroscale dimensions, are fundamental for
cellular behaviour and consequent tissue functionality. This knowledge, combined with
previously known biochemical cues, has greatly advanced the field of biomaterial
development, tissue engineering and regenerative medicine. It is now established that
approaches to engineer biological tissues must integrate and approximate the
mechanics, both static and dynamic, of native tissues. Nevertheless, the literature on the
mechanical properties of biological tissues varies widely in methodology and the
available data are widely dispersed. This Review gathers together the most important
data on the stiffness of living tissues and discusses the intricacies of tissue stiffness
from a materials perspective, highlighting the main challenges associated with
engineering life-like tissues and proposing a unified view on this as yet unreported
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topic. Emerging advances that might pave the way for the next decade’s take on
bioengineered tissue stiffness are also presented, and differences and similarities
between tissues in health and disease are discussed, along with various techniques for

characterizing tissue stiffness at various dimensions from the cell to the organ level.

[H1] Introduction

Materials engineering involves the design or tuning of the structure of a material to
produce a set of desired properties'. Living tissues are essentially materials engineered
by nature itself to have a specific structure that affects cell properties and drives all
consequent biological events. Tissue engineering tries to replicate this feat by designing
the structure of a material to recapitulate a predetermined cell response.

When tissue engineering arose, more than 25 years ago, stiffness was already a
term mentioned in the literature?. In the beginning, the premise was simple: a tissue
substitute must be biomechanically able to fulfill the functions of the tissue it replaces
and, as such, should have similar mechanics to the native tissue. Hard scaffolds began to
be employed to engineer bone-like structures and hydrogels for soft tissue structures,
which were combined with specific biochemical cocktails that could direct the
behaviour of cells on these structures, which simply served the purpose of support.
However, this paradigm shifted with the understanding that the stiffness of surfaces,
independently of their shape, could be detected and responded to by cells’.

The ripples of this discovery are still reverberating throughout diverse fields of
research, but it truly revolutionized tissue engineering as the supremacy of biochemical
cues in driving cellular behaviour began to be questioned. Currently, when considering
the stiffness of engineered constructs comprising cells on a three-dimensional (3D)
support, one must think not only of its biomechanical integration with host tissue but
also of cell mechanostimulation.

From adhesion to differentiation, the most relevant cellular events from early
embryogenesis onwards* are all, in some way, affected by tissue stiffness. As such, any
modern tissue-engineering strategy has to consider the stiffness of the native biological
tissue, as well as the implications of this stiffness for the behaviour of resident cells.
These factors require not only bulk material analysis but also an understanding of the
microscale and nanoscale domains within which the native extracellular matrix (ECM)

components function in vivo. Moreover, cells themselves have a characteristic stiffness,
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which is a consequence not only of their interaction with the surrounding
microenvironment but also of their biological and/or genetic status. For example, cancer
cells frequently have altered (either increased or decreased) stiffness®. If tissue stiffness
was initially considered a simple concept, it is now undeniably worthy of thorough and
integrative study.

The Review brings together these topics using an approach that aims to be as
interdisciplinary as the field of tissue engineering itself. After a brief overview of what
stiffness is and how the mechanical properties of living tissues are measured, we
consider each component in turn, starting with the smallest — ECM molecules and
single cells — and continuing up to bulk living tissues and organs, which are compared
and discussed from a biomaterials perspective. Finally, we outline the main avenues to
follow when attempting to engineer life-like tissues, emphasizing the most recent
advances in time-changing mechanics and identifying the main challenges for the future
— the questions that must be answered to enable tissue stiffness to be fully decoded and

manipulated.

[H1] The concept of stiffness
The mechanical properties of a material — most notably its stiffness — relate to loads
and deformations; that is, the forces exerted on the material and the resulting changes in
its shape. To fully understand the stiffness of living tissues, one has first to explore
these underlying concepts. The stiffness of a structure derives from the following two
premises: first, that when a structure is exposed to a certain load, it will deform; and
second, that the ratio between this load and the consequent deformation yields the
stiffness of the structure, meaning how much load is necessary to achieve a certain
deformation®. Although there is no absolute definition of what constitutes a ‘stiff” or
‘soft’ material, rubber and foodstuffs are generally considered soft materials, wood and
plastics are of intermediate stiffness, and steel is among the stiffest commonly
encountered materials. Clearly, the load necessary to deform a stiff material, such as
steel, will be far higher than that required to similarly deform a softer material such as
wood or rubber.

The stiffness of materials commonly used in manufacturing is far higher than
that of human tissues or organs, including the stiffness of materials employed
specifically because of their deformability, such as the plastics used in ketchup bottles.

The vast majority of industrial plastics (such as polypropylene, nylon or polyethylene)
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have elastic moduli in the range of 0.2—5.0 GPa, higher than that of all biological tissues
except bone. By contrast, the stiffness of some foodstuffs is comparable to that of
tissues: the elastic moduli of pannacotta are in the 100 Pa—1 kPa range’8, gummy bears
and bananas are between 50 kPa and 100 kPa, an apple is about IMPa and a carrot is
around 7 MPa”!°, Similarly, from a biological perspective, fat is clearly far softer than
muscle tissue, which itself is far softer than bone (Fig. 1). Naturally, the stiffness of a
tissue can be quantified and precisely analyzed but, despite the term being widely
mentioned in the biomedical field, analyses of tissue stiffness are sometimes
insufficiently detailed.

Stiffness is a general structural property that depends not only on the material
itself but also on its amount and distribution (shape). For example, the hollow nature of
bones confers an increased stiffness-to-weight ratio. During compression or extension
(stretching) of a material, the whole cross-sectional area of the material equally sustains
the stress, whereas during bending or torsion the material furthest away from the
midpoint or centre line sustains most of the stress. For this reason, structural
construction elements often have T-shaped or L-shaped cross-sectional shapes, which
maximize their stiffness while minimizing the weight and amount of material used.
Moduli and stiffness are intimately related concepts and therefore frequently used as
synonyms. However, stiffness is a property of a structure, whereas moduli describe the
properties of the material composing that structure. As such, various moduli relating to
the intrinsic elastic properties of materials® are reflected in the stiffness of the final
structure. These moduli are derived from mathematical conversions of load versus
deformation relationships obtained from standardized tests on samples of a standardized
size and shape (Box 1).

For example, Young’s modulus (E) can be calculated by subjecting a material to
uniaxial stress resulting from compression or extension and measuring elastic (that is,

reversible) deformation (strain) in the linear region of the stress—strain curve:

o(e) F/A FLg

E= = =

where o is uniaxial stress (force per unit surface); ¢ is strain; £ is the force
exerted on an object (uniaxial stress); A is the cross-sectional area perpendicular to the
applied force; 4L is the amount by which the length of the object changes (4L has a

positive value for a stretched material and a negative value for a compressed material);
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and Ly is the original length of the object. Thus, the axial stiffness (k) of a longitudinal

structure such as a beam can be calculated as:

=22 ()

Ll:\

It is worth noting that the above equations assume a linear relationship between
strain and stress (that is, Hooke’s law). In real-life scenarios this assumption might not
hold for all levels of strain, particularly for polymers. The proportional limit represents
the maximum stress at which stress and strain are proportional, and varies for different
materials. Below this limit, the chemical bonds between atoms in the material stretch
when under load but will recover completely when the load is released. Above this
limit, the bonds will break and slip past each other, leading to non-proportionality.
Therefore, the elastic modulus is typically measured at low strain values (0.2%)'!-12,

Young’s modulus is one of the most common measures of intrinsic material
stiffness. Because it is independent of structure, Young’s modulus is widely used to
characterize the stiffness of both manufactured materials and tissues (Fig. 1a,b).
However, in addition to uniaxial stress, biological tissues might also be subjected to
deformations resulting from shear forces (Fig. 1¢). The shear modulus (G) is calculated
similarly to Young’s modulus in that stress (force per unit area) is divided by strain.
However, whereas for Young’s modulus stress and strain are both normal to the cross-
sectional area, for the shear modulus they are parallel and associated with an angular
change. In isotropic materials, £ and G are related to each other through Poisson’s ratio
(v), given by the following equation:

E=2G(1+v) 3)

For many common materials, Poisson’s ratio is similar to that of incompressible
rubber (v = 0.5); thus E is frequently approximated to ~3G. Together, the shear and
elastic moduli represent the properties of materials under two different types of load,
which might suffice to give a general idea of the rigidity of various biological tissues.
However, different loads can be simultaneously applied to the same tissue: for example,
cartilaginous tissues are routinely subjected to both compressive and shear
deformations'. Furthermore, such complex loads can cause materials to deform in
multiple ways, such as torsion and bending (Fig. 1d). In the case of bending, one side of
the sample is subjected to compressive stress and the opposite side to tensile stress. The
mineralized constituent of bone, for example, as for other brittle materials, is highly

resistant to compressive stress but not so much to tensile forces; consequently, bending



can result in fracture. As such, it is important to consider different types of stress even
in the same tissue. The most relevant types of stress in tissue engineering are those that
are similar to physiological loads.

Furthermore, it is important to outline that some of these mechanical
relationships do not apply directly to most biological tissues. Equation (3), for example,
applies only to isotropic materials but is frequently erroneously used for anisotropic
materials (those whose mechanical characteristics differ according to the direction of
measurement). Similarly, biological tissues have very complex, anisotropic structures
(in which many types of matter are present and unevenly distributed) that differ greatly
from the typically isotropic, continuum structures used in manufacturing (in which few
types of matter are present and are continuously distributed in the containing space). As
such, even though it is useful to discuss the relationships that exist between mechanical
concepts at this simple level, these will, in practice, be affected by length scale,
anisotropy, spatial variations, nonlinear behaviour and other characteristics of biological
tissues, discussed further in this article.

Viscoelasticity is another important point to discuss, as the natural response of
all solid materials to stress is not purely elastic but also has a viscous component, which
is also the case with living tissues. When elastic and viscous components are both
prominent in defining the mechanical behaviour of a material, the material is generally
referred to as viscoelastic. This type of material can only be fully characterized by time-
dependent tests, which apply strain and measuring the required force as a function of
time (stress relaxation) or apply stress and measuring strain as induced changes in shape
(creep), or through dynamic mechanical analysis (DMA)!4. In DMA, loads are applied
and released cyclically, often at varying frequencies or temperatures, which facilitates
measurement of the viscoelastic response of a material during faster deformations than
those derived by creep and stress relaxation tests.

The viscoelastic response of a material is used to derive the dynamic or complex
modulus, which is usually represented by storage and loss moduli. For uniaxial forces,
the storage modulus (E”) represents the elastic, instantaneous and reversible response of
the material: deformation or stretching of chemical bonds while under load stores
energy that is released by unloading. The loss modulus (E"") represents the viscous
time-dependent response of the material and is related to irreversible rearrangements
and remodeling of their internal structure, such as the slippage of polymer chains past

each other. Similarly, for deformations resulting from shear forces, the shear storage
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(G’) and shear loss (G"") moduli'> are frequently evaluated by rheology and oscillatory
experiments (Table 1). As biological tissues generally have viscoelastic responses,

these tests are extremely relevant in the biomechanical field.

[H2] Time scale

Some materials exhibit different responses when deformed at different speeds. For
example, the toy Silly Putty is made of a silicone blend that exhibits a strong elastic
response at high rates of deformation and a strong viscous or liquid-like response at low
rates of deformation'®. Mechanical tests need to take into consideration the potential for
time dependency. A frequency sweep, for example, is commonly performed in dynamic
tests to evaluate the response of the sample to different speeds of deformation. During
these tests, the storage modulus typically increases with rising deformation frequency;
that is, the elastic response of these materials increases with the speed of deformation.
Thus, deformation speed can play a crucial part in defining the response of a material
under load!”!8, Particularly slow speeds of deformation can approximate a static system.
Some mechanical tests can be performed either under such quasi-static or dynamic
conditions®.

Three important consequences can be derived from these considerations: first,
that under quasi-static conditions, the time-dependent behaviour (viscoelasticity) of
materials is simplified because the behaviour of the material corresponds to its
‘associated’ elasticity?®?!; second, that quasi-static testing cannot provide information
about the viscous and/or elastic responses that take place under dynamic loads —
namely, those resembling physiological deformations; and third, that substantial
differences can be expected to occur at distinct load time scales, and as such, direct

comparisons between scales are inadvisable (Box 1).

[H2] Spatial scale

Differences between the macroscopic properties and bulk properties of a material, and
the effects of surface microscale or nanoscale features should also be considered.
Surfaces can behave very differently to bulk material: according to the Nobel laureate
Wolfgang Pauli, “God made the bulk; surfaces were invented by the devil.”?2. Atoms on
the surface of a solid are in an anisotropic environment because they can interact with
other atoms on the surface, in the bulk below, and in liquid or gaseous phases. The

macroscopic definition of Young’s modulus as an intrinsic material property that is

7



independent of size sometimes fails at nanoscale or microscale dimensions, where the
moduli of materials might not only differ but also can become size-dependent?®. As
such, assessments of the mechanical properties of biological materials should examine
the bulk tissue as well as its constituents at nanoscale or microscale dimensions because
not only are the moduli themselves likely to be different at different scales but also
because at these smaller dimensions cells sense the material and individually respond to
its mechanical characteristics?>*. These intricacies, together with the wide range of
available investigative techniques, make the mechanical characterization of biological
tissues highly complex, and suggest that standardization could lead to improvement
(Table 1, Box 1).

Considerable research effort has focused on ways to homogenize the microscale
properties of a material and thereby to derive those ruling at the macroscale.
Approaches such as computational homogenization are based, in brief, on defining a
representative volume element of smaller (usually microscale) dimensions than the
complete structure, which can then be used to model its governing macroscale
behaviour?>26. Within the context of tissue mechanical properties, such an approach
involves first defining the microscale components that govern the mechanical properties
of the tissue, such as the elastin and collagen fibres of the arterial wall. Second, the
properties of these components can be assessed by a technique that probes their
mechanics at the same scale, such as atomic force microscopy (AFM) indentation.
Finally, the characteristics of the small-scale elements can be used to mathematically
model their macroscale mechanics, which in this example are those of the whole arterial
wall?’. Similarly, complex scaffolds used in tissue engineering can also be designed by
modeling the individual components of their architecture, which are then combined to
find best-fit shapes that closely approach the mechanical properties of biological
tissues?s.

In the next few sections we critically explore the properties of different tissues in
terms of their static and dynamic mechanics, beginning with the microscale and
nanoscale domains of biological structures and continuing in size order up to the

macroscale level.

[H1] Tissue mechanics at increasing scales
To understand the mechanical complexity of an organ or a complete functional tissue,

one must first consider its smallest constituents. A biological tissue is fundamentally
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composed of ECM and cells, which coexist in a delicate synergy: the ECM is deposited
by cells, which strongly interact with it. Beyond the fact that ECM structures
themselves have inherent mechanical properties, they are also involved in cellular
signaling (derived from both biochemical cues and mechanotransduction events), which
has consequences for the mechanical properties of cells?**. ECM mechanics and cell
mechanics are intimately intertwined and together contribute to overall tissue behaviour.
As such, one must not only consider the individual properties of ECM and cells but also
understand the development of functional biological tissues. Multicellular structures
require analyses of the locations where cell—cell connections are established and how
these cellular structures bind to the ECM they produce and thereby create the basal
mechanical framework of biological tissues. Here, we use a sequential approach,
starting with an analysis of ECM and cells and gradually integrating their mechanical

behaviour, informed by remarkable insights from developmental biology studies.

[H2] Extracellular matrix components

The type, concentration and organization of ECM components (which are all fabricated
by cells) deeply affect the mechanical properties of both healthy and diseased tissues
(discussed further in the ‘Abnormal tissue states’ section). The literature on mechanical
properties of individual ECM components is scarce, and most reported analyses were
done on bulk tissue samples or on structures (such as hydrogels) engineered from ECM
components®!. Nonetheless, several well-known ECM components occur in many
different tissues and are critical for homeostasis, healing and regeneration, namely
proteins (such as collagen, elastin, fibronectin, laminin, tenascin, vitronectin) and
glycosaminoglycans (GAGs)*?. Each of these components has distinct functions and,

naturally, different mechanical properties (Table 2).

[H3] Collagen. Collagen is the most abundant ECM component and is consequently the
one that has been most thoroughly explored in terms of its mechanics. From single
molecules to fibrils, collagen structures have elastic moduli in the GPa range®***. The
final contribution of these structures to the bulk mechanics of living tissues depends
mainly on collagen abundance and organization. Collagen exists in 28 currently known
types, which act not only as structural proteins but also have other functions such as
cellular adhesion that are similarly important for overall ECM assembly and its

consequent tissue mechanics (reviewed elsewhere)*>-¢. Collagen structures and specific
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domains within the molecule can also be mineralized, leading to the formation of truly
stiff ECMs such as those present in bone?’.

Interestingly, some tissues are soft at low strains owing to a random collagen
fibre orientation. Upon stretching, the collagen molecules align and become an
extremely stiff network, which shifts the Young’s modulus of the tissue towards that of
the collagen fibres themselves®®#0, Thus, tensile deformation leads to a J-shaped stress—
strain curve in which deformation can initially be obtained by relatively low stress,
whereas much higher stress is needed to reach higher deformations. For example, it
doesn’t take much force to pinch and pull a few millimeters of skin, but further
deformation requires a much higher (and more painful) force. Once the force is
released, skin returns to its original shape.Thus, biological tissues have the capacity to
limit the deformation resulting from high levels of strain owing to reorganization of
their structural fibres (mainly collagen), which gradually increases tissue stiffness and
prevents damage from excessive strain. As such, it is important to characterize the
moduli of tissues at both high and low strain levels. An attempt to engineer a life-like
tissue based on its low-strain stiffness would probably fail to fulfil its function of
preventing high-strain damage. Conversely, a tissue engineered to reflect only the high-
strain modulus would be too stiff to have the compliant mechanics required for limb
movement. Thus, biological tissues with a J-shaped stress—strain curve should be

substituted for by materials with similar J-shaped curves®*!.

[H3] Elastin. Elastin, so named for its elasticity-enhancing capabilities, is another ECM
component that is intimately related to collagen in terms of its contribution to tissue
mechanics. Both collagen and elastin form fibrous networks that are intimately
interwoven but remain structurally independent from each other. Elastin is frequently
present in organs such as skin, lungs, and bladder but its most important function relates
to blood vessels, namely arteries, where specific combinations of collagen and elastin
determine the mechanical properties of the arterial wall and consequently regulation of
both blood pressure and blood flow**. Importantly, elastin shows a notably high linear
elastic extension. Thus, the addition of elastin reduces the elastic modulus of a tissue,
and as such leads to a more compliant (easier to deform) structure. This effect is
accounted for by the two orders of magnitude difference between the elastic moduli of

collagen and elastin fibres (Table 2).
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The main function of hydrated elastin is to elastically stretch and contract,
thereby acting as the driving force of elastic tissue recoil upon release of the force that
caused the deformation****, The interplay of elastin and collagen leads to J-shaped
stress—strain curves that show a high initial linear elastic extension, owing to the
alignment of elastin’s disordered structure (entropic), with linear behaviour at increased
deformations owing to the molecular stretching of collagen fibres (enthalpic). In
practical terms, increasing the elastin:collagen ratio leads to a decrease in overall tissue
stiffness and an increase in its deformability and recoil, which can be employed in the
development of elastic tissue-engineering scaffolds*. By contrast, a decreased
elastin:collagen ratio has the opposite effects, as observed in several arterial

conditions*®.

[H3] Other ECM molecules. GAGs are also highly represented across distinct tissues,
but their mechanics are poorly understood. In part, this lack of investigation could be
due to their apparently minor contribution to the tensile-like moduli of tissues compared
with that of ECM components such as collagen*’. Nevertheless, GAGs are fundamental
for water retention, shock absorption, lubrication and tissue viscoelasticity, properties
that make them extremely important for the biomechanics of tissues such as cartilage,
specifically its bulk compressive stiffness*®.

In fact, the mechanical contribution of GAGs in articular cartilage is highly
dynamic. Aggrecan, one of the main cartilage GAGs, can have distinct mechanical
contributions depending on the loading conditions. Upon quasi-static loading, both
electrostatic and steric interactions are responsible for the mechanical function of GAGs
in cartilage, whereas under dynamic load (such as during running), solid—fluid
interactions (that is, between GAGs and the interstitial fluid within cartilage) become
the main contributor. These interactions, also known as poroelasticity, lead to cartilage
interstital fluid pressurization and self-stiffening of cartilage with increasing loading
frequencies®.

Fibronectin, another common component of the ECM in various tissues, also has
an interesting role in tissue mechanics. Softer than most fibrillar ECM structures,
fibronectin can be stretched by cell-generated tension and is able to extend more than
eightfold before 50% of the fibres will experience rupture®®. Furthermore, fibronectin
fibre stiffening leads to an increase in £ of up to 3.5 MPa (Table 2), a process

accompanied by a force-dependent exposure of cryptic binding sites, which leads to
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changes in cell behaviour™. This evidence indicates a highly dynamic synergy between
cell and fibronectin mechanics, which has also been shown to contribute prominently to
the mechanical driving of tissue development®!.Collagen, fibronectin and many other
ECM components interact directly with cells, which not only synthesize but also
remodel and adhere to them. The interaction is mutual: cells both create and influence
the ECM components that drive tissue mechanics, which in turn regulate the behaviour
of cells. Thus, it is easy to understand how small defects in ECM molecules might lead
to devastating diseases such as osteogenesis imperfecta (brittle bone disease)*?,
junctional®® and dystrophic®* epidermolysis bullosa (severe blistering of the skin), as
well as Ehlers—Danlos syndrome collagenopathies (widespread connective tissue

fragility, including life-threatening vascular instability)3>->.

[H2] Cellular mechanics

The mechanical properties of cells (as well as their shape®’) are closely intertwined with
their behaviour. Only a few hours after fertilization, the mechanical properties of the
oocyte already dictate its viability potential*. In 2007, the publication of a pivotal
review entitled “The cell as a material™® for the first time considered cells as a material
in their own right with characteristic mechanical properties that could be investigated
using distinct techniques, one of the most important of which was AFM indentation.
Overall, cells are soft entities; most have bulk elastic moduli in the 0.1-10.0 kPa range,
which hardly varies with cell type (Table 3). However, some variability-generating
details require further discussion.

Firstly, cells (like tissues) are heterogeneous. Despite the softness of whole cells,
certain cellular constituents, namely cytoskeleton fibres, have elastic moduli in the GPa
range*. The contribution of these fibres to the mechanics of cells varies with the type of
load applied. Intermediate filaments, actin filaments and microtubules (in order of
increasing stiffness) respond differently to distinct types of deformation. Microtubules
and actin filaments show substantial resistance to compressive forces, whereas
intermediate filaments are best able to endure tensional loads®®. Furthermore, some
cytoskeleton fibres (such as microtubules and actin filaments) have a polarized
molecular structure that enables them to act as molecular motors, which leads to a
further level of mechanical complexity. Actin filaments, which dictate cell shape and
consequently direct events ranging from motility to growth and differentiation, are

frequently complexed with myosin to form a contractile structure termed actomyosin
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(also known as stress fibres)®!. In the majority of animal cells, cell mechanics are
dictated by a mesh of actomyosin known as the cortex, a mechanically rigid and highly
plastic structure immediately below the cell membrane®?. Within this actomyosin mesh,
myosin is able to pull on actin fibres, which generates considerable tension, or pre-
stress®!. This actomyosin-generated tension in the cell cortex is responsible for cell
shape and integrity in a fashion that parallels architectural tensegrity structures.®
Moreover, this tension propagates through cell—cell and cell-ECM junctions and as
such is fundamental to the architecture and function of living tissues®*. Actomyosin-
generated tension is typically increased in the intracellular stress fibres that act as an
essential link between the cytoskeleton and focal adhesions, which connect cells to the
ECM. This role explains why regions of the cell near focal adhesions are stiffer than the
surrounding areas®!. For all these reasons, when assessing cell mechanics by AFM
indentation, the moduli derived will be highly dependent on the exact membrane zone
indented®’, a clear source of variability.

Furthermore, it is important to understand that cytoskeleton fibres are not the
only cell component to have an effect on cell stiffness or shape. Interactions of
cytoskeletal fibres with the intracellular and extracellular environment are also
involved. For example, cellular activity can take advantage of cytoplasmic changes and
osmotic forces. Early theories hypothesized that local cell membrane protrusions (also
termed blebs) were initiated by severing of cytoskeletal fibres, which was thought to
locally reduce the elastic modulus and thereby lead to an increased cell volume owing
to osmotic effects. The consequent rise in hydrostatic pressure was suggested to force
the membrane into a protrusion, which would eventually be stabilized by actin diffusing
into it and then polymerizing®. In 2005, however, a more likely mechanism was
suggested: that local actomyosin contraction at the cortex compresses nearby cytoplasm,
which increases local hydrostatic pressure and leads to the formation of blebs even
when cell membrane protrusion is opposed by membrane tension and osmotic
pressure®’.

Together, these complex phenomena indicate how an appreciation of the
mechanical heterogeneity of cellular components can facilitate understanding of the
mechanical properties of whole cells. It is useful to picture a cell as composed of a
membrane encapsulating a very complex elastic network comprising the cytoskeleton
and organelles within a fluid (cytosol), collectively termed the cytoplasm®’. Unlike most

engineered gels, the cytoplasm is continuously out of equilibrium owing to the active
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role of molecular motors such as myosin. These motors expend energy and the resulting
fibre polymerization and network contraction enable intricate mechanical events to take
place at the cellular cortex. Accordingly, the cortex is characterized as an active gel®.
Overall, it is important to understand that living cells integrate a set of mechanical
properties that are among the most unique and complex found in nature, and which can
currently be explained only by resorting to several different theories (Box 2). This
heterogeneity will undoubtedly need to be considered when trying to assess the bulk
stiffness of single cells®.

Secondly, when addressing the mechanical properties of cells in adhesive
scenarios, it is important to understand that, as a consequence of adhesion and
spreading, cells might become extremely thin’. As such, AFM indentation depths have
to be taken into consideration to avoid ‘bottom effects’ (in which measured stiffness
values are too high owing to an influence of the surface beneath the cells rather than the
mechanics of cells themselves)’!. Several methods of correcting for bottom effects can
be applied in multilayer cell mechanics’. This effect might partially explain why some
reported mechanical properties of cell monolayers grown on tissue culture polystyrene
(TCP) might not recapitulate in vivo ones. Simultaneously, the surface to which the cells
adhere also affects cytoskeletal tension and consequent bulk mechanics, and these
factors should be preferentially analyzed on surfaces that are mechanically as native-
like as possible. For example, the elastic modulus of thyroid cells is over twofold higher
when cultured on TCP rather than on a softer, thyroid-like surface’. Nevertheless, even
when the moduli mismatch of cells grown on a native-like surface is not as large as that
of cells cultured on TCP, bottom effects might still have a considerable effect on
measurements of relevant moduli, indicating the need for adequate correction’.

Cell spreading and surface stiffness are not the only sources of variability. In
fact, when cells are constrained in a fixed area, the shape they assume can have a
greater effect on their mechanics than the surface stiffness itself, which is especially
important to consider when cells are cultured on surfaces with non-flat topographies
(such as grooves or micropillars)’>7¢, This knowledge might also prove important in
future initiatives to standardize the measurement of cell mechanics and thereby obtain
more uniform, comparable results. The health status of cells can also give rise to large
differences in stiffness (discussed in the ‘Abnormal tissue states’ section).

Altogether, the mechanical properties of cells reflect interesting biological

events of relevance to tissue engineering. For example, with regard to cell

14



differentiation, adult stem cells from different niches were shown to have distinct elastic
moduli depending on their commitment: osteogenic stem cells were stiffer than
adipogenic stem cells’”-’®, Similarly, the differentiation of embryonic stem cells (ESCs)
is intimately connected to changes in stiffness’*%°, Although the mechanical properties
of cells themselves cannot yet be artificially engineered or directly manipulated, the
mechanical properties of their surroundings and consequent cell mechanics can be®!#2,
Nevertheless, understanding the mechanics of bulk tissues requires not only an
overview of single-cell and ECM structural mechanics but also an understanding of how
single-cell mechanics integrate to generate the mechanics of multicellular structures,

and of how single-cell and multicellular mechanics combine with ECM mechanics to

generate overall tissue mechanics.

[H2] Cell-cell and cell-ECM interactions

Many cell types are able to self-assemble into multicellular monolayers resembling the
epithelial sheets formed during early development. Where cells contact each other, they
form cell—cell adhesions through the binding and assembling of specific proteins, such
as cadherins and catenins®®. Interestingly, the resulting epithelial sheet still behaves
actively in mechanical terms, just as single cells do, being able to sustain extreme strain
under constant tension®*. As the number of constituent cells increases, the active tension
of the resulting monolayer also increases in a linear fashion®. In this scenario, where
the predominant interactions are between cells rather than with the minimal ECM,
stresses can propagate over long ranges®. In fact, monolayers of up to thousands of
cells were shown to undergo stress relaxation very similarly to single cells, in that the
cell—cell junctions serve as stable connections enabling these monolayers to behave in
mechanical terms as single cells ruled by actomyosin dynamics®’. Briefly, the
application of sufficient stress leads to the rearrangement of intracellular actomyosin,
which in turn promotes extension of the monolayer, thereby dissipating stress and
resulting in a new mechanical steady state®”. However, once a stiff ECM is present,
stress no longer propagates across the monolayer in the same way®S.

As cells begin to aggregate and organize into multilayered 3D structures, such as
organs and tissues, the number of cell—cell interactions increases substantially®®,
Interesting research on the mechanics underlying early development has shown that the
viscoelastic (stress relaxation) behaviour of cells still occurs in embryonic tissue and

that the overall stiffness of this tissue is also close to that of single cells (below 1kPa)®’.
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Nevertheless, the elastic modulus of embryonic tissues shows considerable variation
and is also responsible for driving morphogenesis®®. At this stage, tissue responses are
guided not only by quick-dissipating cellular stresses but also by supracellular,
persistent ones”’.

The initial phases of tissue formation occur in extremely dynamic, active and
soft environments, where three essential entities govern mechanical outcomes:
volumetric growth (mainly driven by cellular proliferation), active forces and the
material properties of local tissues®!. The precursors of cartilage, bone, and other stiff
and soft tissues are all present within this soft structure, some of which must
progressively stiffen by up to seven orders of magnitude to reach the 20 GPa of cortical
bone”. This requirement leads to two important principles: first that, fundamentally,
tissue development always proceeds in the direction of increasing stiffness. Soft
environments are always present before stiffer ones arise — even after a bone fracture,
the regeneration of bone is preceded by the accumulation of considerably softer
materials: haematoma, granulation tissue and fracture callus (in order of increasing
stiffness), within which ECM fibres accumulate and eventually mineralize to form stiff
bone”*%*, In order to understand how early embryonic structures stiffen and eventually
develop the mechanical characteristics of mature tissues, we must further consider the
interplay of ECM and cellular mechanics.

The early embryonic ECM acts mostly as a basement membrane for embryonic
epithelia. Nevertheless, the mechanical effects of cell-ECM interactions can first be
observed here. Epithelial cells, as part of their normal activity, secrete and deposit ECM
fibrils, which form the basement membrane to which the cells adhere, thereby gradually
increasing its stiffness®”. The stiffness of this early extracellular structure then begins to
overtake that of the attached cells, increasing from 20 kPa at early embryonic stages up
to 800 kPa at later time points. Additionally, the ECM fibrils have a preferential
orientation that leads to heterogeneous directional stiffness”, which represents the
earliest appearance of ECM-related tissue anisotropy. In the embryonic stages of
nematode development, the apical ECM was shown to be essential for cell anchoring
and transmission of actin-derived stresses, through the formation of an actin—-ECM
composite with distinct mechanical properties®. It is this very early ECM configuration
that causes the shift in mechanics from single cell-like to tissue-like, although the
embryonic tissue still goes through considerable further dynamic changes related to cell

migration and morphogenesis®’.
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As the development of these embryonic structures continues, so does the
deposition and accumulation of ECM, thereby generating ever more complex structures.
Eventually, this process leads to the formation of stiffer tissues. The mechanics of some
of these stiffer tissues are mostly dependent on the ECM, whereas the stiffness of softer,
highly cellular tissues is closer to that of their constituent cells. Cardiomyocytes have
elastic moduli close to those reported for cardiac tissue”® because the mechanics of
muscle tissue are principally dependent on those of its contractile, actomyosin-rich
cells”. By contrast, both mesenchymal stem cells (MSCs, also known as bone marrow
stromal cells) and the osteoblasts they differentiate into during osteogenesis are quite
soft in comparison to bone’®!% because bone mechanics are mostly governed by the
abundant, highly mineralized ECM. Naturally, in highly cellular tissues at late stages of
development, the heterogeneity and mechanics of the constituent cell types play an

191 Behind this heterogeneity are

important part in the final stiffness of the tissue
differences in cell types and their respective structures, spanning from the cell
membrane!? to the previously discussed intricacies of intracellular architecture.
Benchmarking of tissue engineering approaches against knowledge obtained
from developmental biology has already proved important in the recapitulation of
adequate stimuli prompting the in vitro generation of desired cell phenotypes!®. Even
though much remains to be learned within this field, understanding of how the
mechanics of different biological components are integrated into a tissue is already

possible on a basic level, and is expected to facilitate similar analyses of fully developed

biological structures.

[H1] The stiffness range of living tissues

Not surprisingly, a system as complex as a human organism comprises tissues that span
a remarkable spectrum of stiffness; elastic moduli range from the 11 Pa of intestinal
mucus'® to the 20 GPa of cortical bone®?. Between these extremes, almost all orders of
magnitude are represented by a distinct tissue (Fig. 2).

Neural tissues are amongst the softest of the human body'%, which should be
expected considering their anatomical protection and how easily they can be damaged.
These are followed by most abdominal organs (such as the pancreas, spleen and liver)
and muscles, and finally by supportive structures such as cartilage, tendons, ligaments
and eventually bone. From the analysis of the compiled information (Table 4,
Supplementary Table S1), some important points are worth discussing further.
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[H2] Dimension scale and direction

Differences between tissue mechanics measured at nanoscale, microscale or macroscale
dimensions are extremely relevant to tissue engineering and therefore dimension should
always be considered (Table 4, Supplementary Table S1). Such differences of scale
are mostly a consequence of the heterogeneity of biological tissues, as other authors
have already reported!%. In general terms, if a tissue is deformed in a tensile manner or
the whole tissue is compressed, the behaviour of the bulk material contributes to the
overall measured mechanical moduli. By contrast, if a tissue is indented, only the region
where the indentation takes place (and eventually its nearby surroundings) will
contribute to the measured moduli. The smaller the indenting tool (for example,
microscale versus nanoscale), the less likely it is that the measured moduli will be
representative of the whole tissue!'%. For example, the response to compression of a
whole bone sample integrates both trabecular and cortical bone mechanics, whereas
microindentation of the same sample is likely to reflect deformation of only one of these
two types of bone!®” and nanoindentation will target only a single cell (such as an
osteoblast) or ECM component (such as a collagen fibre)!%®,

Similarly, microindentation studies of spinal cord reported values within the
0.5-1.5 kPa range'?”, whereas tensile deformation studies reported values three orders
of magnitude higher (1.23 MPa)''°. However, microindentation involves not only a
difference of scale when compared with tensile deformation, but also a difference in the
direction of the applied force; microindentation is usually transverse to the tissue,
whereas tensile deformation is mostly longitudinal. In fact, other corroborative evidence
is provided in reports showing that dermis macroindentation results in elastic moduli of
~35 kPa''' whereas tensile deformation results in elastic moduli in the 50—150 kPa
range''. Even when, as in this case, analyses were conducted at the same scale (which
might be expected to lead to a fairly small discrepancy), substantial differences can
result from altered directionality. These factors explain why certain techniques are not
appropriate for direct comparison. Even if the same type of modulus is derived, the
dimension at which it is measured as well as its direction must always be considered.

The mechanics of engineered tissues at all dimensions are fundamental for their
function: the bulk mechanics are important to ensure in vivo stability whereas

microscale and/or nanoscale properties are essential for regulating cellular behaviour'!3.
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[H2] Tissue anisotropy or composite material

Composite materials are made of distinct components, each with different properties,
that when combined form a material with properties that are different from those of the
individual constituents. These materials are used in high-end applications owing to their
optimal performance and as such, natural evolution might have followed a similar
path!'*, In fact, many biological tissues easily fit within the above definition of
composite materials'!>. Some even seem to be composite materials made of other
composites, tendon being an obvious example!!®, A tendon is a hierarchical structure
made of various types of collagen fibres bundled together in subfascicles, which in turn
are bundled into fascicles of increasing hierarchy to form the tendon itself. This
organization resembles that of synthetic composite materials consisting of fibres with
specific unidirectional mechanical properties bundled together by a resin, which results
in a highly anisotropic material. Similarly, tendons are capable of sustaining a high level
of stress through tensile deformation of the collagen fibres and fascicles. The resulting
tissue anisotropy is the reason why some mechanical relationships (such as equation 3)
do not hold true and should not be employed in the analysis of biological tissue
mechanics, and also explains the differences in elastic moduli derived by mechanical
tests employing different directions of deformation.

Parallels could also be drawn between laminated composite materials and organs
such as the skin, which is composed of three layers of distinct but interacting tissue
(epidermis, dermis and hypodermis). The skin has bulk elastic moduli of up to several
hundred kPa!!” whereas the fibre-reinforced dermis'!® has elastic moduli of around 35—
150 kPa and the hypodermis has elastic moduli of around 2 kPa, similar to adipose
tissue! 112119120 The lens of the eye comprises a stiff capsule with elastic moduli of 2—
3 MPa and a very soft core (0.8—11.8 kPa)!2'-124, In the lung, the pleura are also
considerably stiffer than the parenchyma'?> (Supplementary Table S1). In such tissues,
the mechanics of individual components might be more relevant for their engineering
than the bulk tissue properties. Finally, some organs also present variable mechanics
along their length; for example, the elastic moduli of gut tissue range from 789 kPa at

the ileum to 323 kPa at the descending colon!?S.

[H2] Tissue condition
Tissue condition can also have important mechanical consequences. Bone mechanical

properties can differ depending on collection site, processing method and storage'?’as
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well as host-related factors such as age and health status'?8. Several reports have also
considered the mechanical properties of decellularized tissues, which not only lack the
cellular component but are frequently stiffer than native tissue as a result of the
treatments needed to remove cells. This increased tissue stiffness has been reported for

130

decellularized lung!?’, pancreas'?° and fat!!. Furthermore, even with cellular tissues,

increased preservation duration can also lead to stiffening, as shown with liver!3.

[H2] The applied deformation

Native-like deformations are generally the most useful to derive mechanical properties
relevant to tissue engineering. For example, the mechanics of bone and cartilage might
seem fairly straightforward to analyze. However, bone can be considered a composite
material consisting of mineral, organic and water phases. A compressive test under
static load would be useful to characterize the contribution of the mineral component
(which mainly has an elastic response) to bone mechanics, but only dynamic analysis
would be able to integrate the viscous contribution of the collagen-rich organic phase,
which confers damping and shock-absorption properties on bone. Similarly, testing of
dry bone will not assess the contribution of hydration'?3. Articular cartilage, moreover,
must support the interfaces between bones at the joints and allow the relative movement
of limbs. Therefore, cartilage is natively subjected to repetitive, cyclic stress involving
compressive as well as shear forces, which is why engineering of this tissue presents
such a therapeutic challenge'**. As such, emphasis should be given to DMA and tests
such as shear rheology. In fact, cartilage can have higher moduli under dynamic testing

than under static deformation'3>-137

as a consequence of the previously discussed
electrostatic and solid—fluid interactions. Furthermore, the long-term responses of
complete tissues to applied stress or deformation (such as creep and strain relaxation)
are thought to be crucial for their physiological behaviour. As an example, blood vessels
dilate in response to increased blood flow!3®. Nevertheless, these responses are

frequently not considered in studies of tissue mechanics.

[H2] Nonlinear behaviour

Several biological tissues do not have a linear stress—strain relationship, and this
nonlinearity can hinder comparisons of different studies on the mechanics of living
tissues. Examples of nonlinearity show up in early epithelial monolayers®®®’” and can

also be seen in adipose tissue, skin and even in tendons, which all deform easily at low
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levels of strain but become much stiffer as strain increases*®!°. In tendons, as the tissue
stretches, collagen fibrils and cells become more aligned, resulting in an extremely stiff
structure that can easily reach elastic moduli of 100-200 MPa!%’, This particular
mechanical response of tendons is also responsible for their negative Poisson’s ratio®*.
Therefore, when studying tissues with nonlinear stress—strain relationships, emphasis
should be given to strain levels and low strain deformations should not be compared to

high strain ones.

[H2] Gaps in the literature

Many examples exist of tissues that have been far less thoroughly explored with regard
to their mechanical properties. Peripheral nerves, ligaments, gut tissue and spleen have
been analyzed in depth at bulk, macroscale dimensions, but lack further study at
nanoscale or microscale levels. In other tissues, little to no exploration of mechanics has
been done. For example, the mechanical properties of the thymus have only been

reported for decellularized tissue!®!

. Other tissues, such as skin, require further
exploration at smaller scales to clarify some discrepancies; the mechanical stiffness of
epidermis is higher than that of dermis in some'#! but not all'*? nanoindentation studies.
Further analysis is necessary to fully understand and to engineer the multilayered

mechanics of skin and skin-like constructs.

[H1] Abnormal tissue states

Scientists have identified several different causes of altered tissue stiffness, including
cancer, advanced age, diabetes mellitus, cardiovascular disease and fibrosis!#.
Nevertheless, some changes in bulk mechanics are not truly caused by changes in the
tissues themselves but rather are attributable to changes in blood pressure and their
circulatory consequences. For example, spleen stiffness can increase from 15-20 kPa in
healthy individuals'**-'47 to 50 kPa in patients with liver fibrosis'*® — an abnormal
spleen state that is not a consequence of having abnormal spleen tissue. In the next
sections, we discuss the main causes of abnormal tissue mechanics: fibrosis and cancer
(Fig. 3). Of note, most ECM changes in individuals with cancer are fibrotic responses to

the neoplastic event!*’,

[H2] Fibrosis
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Fibrosis can be briefly described as the aberrant deposition and accumulation of
connective-tissue-like ECM in a tissue or organ resulting from an imbalance between its
production and degradation. This imbalance leads to the formation of a disorganized
and excessively crosslinked fibrous network, along with the release of inflammatory
signals, myofibroblast differentiation and other cellular and/or molecular events!%!5!
resulting in a tissue with increased overall stiffness. Although these adverse effects of
fibrosis and/or scarring can be disregarded in small wounds, large cutaneous scars and

153

widespread fibrosis in tissues or organs such as the lung'>?, kidney'>? and liver'>* are

serious life-threatening conditions. Interestingly, increased liver stiffness is itself a

major diagnostic criterion for liver disease'*>; a fibrotic liver is stiffer than a healthy one

156,157 158

at both macroscopic and microscopic levels
[H2] Cancer

Unhealthy cells, including cancer cells, frequently have altered mechanical properties,
although the direction of these alterations shows no consistent trend. Some authors
report that cancerous cells are stiffer than their healthy counterparts'>®-'®?, whereas
others show the opposite>!®!. Clearly, each type of tissue and disease can lead to distinct
cell mechanical outcomes!®>193, In fact, many of the signaling pathways that are
frequently altered in cancer cells converge on changes in the expression of
cytoskeleton-associated proteins, namely those responsible for actin fibre
polymerization and myosin contraction!®*165, These processes are fundamental for the
mechanical properties of cells and can even have a direct effect on the ECM mechanics
of tumours. Thus, since cancer cell signaling is highly heterogeneous and varies not
only with the type of cancer but also within the same disease type, it is natural that this
heterogeneity might equally transpose to the resulting cancer cell stiffness.

Cancer has been characterized as “a wound that does not heal”'%. As such,
much of the characteristics of a non-healing, fibrotic wound are shared by neoplastic
lesions. In both injury and neoplasia, abnormal cell proliferation leads to a desmoplastic
response (that is, dense overgrowth of basement-membrane-like connective tissue with
low cellularity and either a translucent, cartilage-like appearance or a hardened texture
with disorganized blood vessel infiltration). ECM deposition and tissue stiffening

similarly occur in the tumour microenvironment!#

, where these processes are further
amplified by the ability of cancer cells to drive stromal cells towards a profibrotic

phenotype'®’. In cancer, moreover, the abnormal cell proliferation also generates
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increased solid stress, caused not by a change in the stiffness of the tissue itself but
instead by the increased pressure resulting from tumour growth in a constrained
physical volume (mass effects), which compresses nearby healthy tissue'#’. Together
with the increased solid stress, the previously discussed increase in cancer cell tension
derived from actin and myosin-related signaling might also increase the stiffness of

168 The combination of increased

nearby ECM via tensing or realignment of ECM fibres
cell stiffness and solid stress can drastically increase the stiffness of some malignant
lesions: the elastic moduli of healthy thyroid tissue (9.0-11.4 kPa) can increase by a full

order of magnitude to 44110 kPa in patients with papillary adenocarcinoma'®.

[H2] Chronic diseases
Last but not least, the mechanical properties of tissues might also be affected in other
potentially life-threatening chronic diseases unrelated to fibrotic responses or neoplastic

170 and

alterations. For example, amyloid deposition diseases such as Alzheimer disease
cardiac muscle hypertrophy both increase tissue stiffness'’!, whereas osteoporosis
reduces bone strength and stiffness!”>.

Altogether, we believe that pathological changes in tissue stiffness can always
be traced to altered amounts or functions of its two fundamental constituents: cells
(number and/or phenotype) and ECM (deposition and/or degradation). Knowledge of
abnormal tissue states and the mechanical changes that take place in disease are
important not only for diagnostic purposes but also for tissue engineering and
recapitulation of such diseases in in vitro models. These approaches are expected to

generate novel therapeutic targets that enable restoration of healthy tissue mechanics

and mechanotransduction responses!*.

[H1] Engineering stiffness into tissues
Once the mechanics of a complete native tissue are understood, the question that
remains is how can one engineer such mechanics when attempting to construct a life-
like tissue? This question led tissue engineers to search for novel materials, natural and
synthetic, alone or blended together and processed through physically, chemically and
biochemically distinct approaches in the attempt to recapitulate the properties of living
tissues. Several main approaches to engineering the mechanical properties of living
tissues and ways to trigger desired mechanotransduction responses by cells can be
identified in the literature (Fig. 4).
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The stiffness of structures (in its simplest form, their elastic or shear moduli) is
the oldest target within the field. If in the beginning the mechanical properties of a bulk
material were only seen as a requirement for scaffold integration and integrity?,
emerging discoveries and the rise of mechanobiology!'® have placed mechanical
properties at the same level as long-known biochemical cues. Changing the elastic
moduli of the cellular environment, either approaching or moving away from those of
native tissues, can lead to tremendous differences in cellular responses from simple

173,174 and morphology!”>~!77 to the more complex differentiation!”®13°, In fact,

adhesion
this variation can be of such magnitude that high-throughput technologies are now
being applied to derive the best-fit conditions in terms of surface stiffness for distinct

174,181 “and approaches to do the same in 3D environments are both needed and

cell types
expected.
Nevertheless, the scientific community has started to shift its attention to more
complex stiffness scenarios involving dynamic and active tissue mechanics (reviewed
elsewhere in the epithelial context!8?). Two seminal works brought to light the
possibility of achieving and tuning life-like, time-changing forces in 3D environments
by exploring the properties of biomimetic material that have profound effects on
cellular behaviour, possibly greater than the influence of static stiffness®!%*. Stress
stiffening and stress relaxation represent the capability of specific materials to stiffen or
relax with stress state or time, respectively. Initially reported on two-dimensional (2D)

surfaces!'®3184 these properties were soon translated to 3D environments and have

proved to be very important.

[H2] Stress stiffening

Stress stiffening is a natural property observed in many biological structures, such as
gels of the cytoskeletal proteins actin and vimentin.Other ECM molecules, such as
collagen and fibrin, also exhibit substantial increases in stiffness beyond a critical stress
value!8>186 This behaviour is fundamental for the proper function of many biological
structures and its translation to synthetic materials eluded scientists for quite some time.
Once engineering of stress stiffening became possible, controlled changes in the onset
of stiffening alone (within the same final modulus) were shown to be single-handedly
capable of redirecting the commitment of MSCs from adipogenic to osteogenic

lineages®!. A report published in 2019 showed that this kind of stress stiffening could be
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tuned to encompass a 50-fold increase, similar to the forces exerted by myosin

molecular motors: a remarkably life-like scenario!®’.

[H2] Stress relaxation

Stress relaxation represents the capability of a material to relax at a specific time point
after the induction of stress, which dissipates energy through a viscoelastic response as
opposed to a purely elastic one (for example slippage versus stretching of chemical
bonds in a covalently crosslinked hydrogel)!®?. Viscoelasticity is also present in many
biological tissues consisting of a fibrous network (such as collagen) within a non-
fibrillary ECM'®. Such viscoelastic behaviour is fundamental for the normal
functioning of tissues that are naturally subjected to dynamic loads, including the lung,
cartilage and tendons. However, even stiff tissues such as bone exhibit appreciable
stress relaxation during active regeneration®. Moreover, stress relaxation of engineered
tissues is, like stress stiffening, capable of affecting stem cell differentiation®.
Remarkably, in non-adhesive environments, stress relaxation alone was enough to
completely shift the behaviour of chondrocytes from round and static to life-like
cartilage-forming entities'®. This phenotype change was due to the ability of the
engineered material to relax faster than a sample that lacked stress relaxation but had
similar initial stiffness, which enabled the cells to become less confined, expand,
proliferate, and behave as they would in their native environment.

However, all these studies involved hydrogel structures with low moduli of a
few kPa. Despite being far from the stiffness of cartilage or bone, these hydrogel
environments strongly promoted osteogenic and chrondrogenic commitment®’-1%°, As
previously mentioned, the natural evolution of tissues during development progresses
from soft to stiff environments (for instance, bone and cartilage both develop from soft
precursor structures), and so it is only logical that soft environments would promote
tissue development. An engineered structure as soft as adipose tissue, which never
matures into a stiffer tissue, can never mechanically replace missing mature cartilage or
bone. Nonetheless, the evidence obtained in both living tissues and engineered
structures clearly indicates that a certain degree of dynamicity resulting from either
stress relaxation or stress stiffening (both of which approximate the natural stimuli that

cells receive) is of primal importance for recapitulating appropriate cellular behaviour.

[H2] Mechanical stimulation
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Not all materials are capable of dynamic features and specific applications might
require the use of static structures. As such, tissue engineers have been attempting to
approximate in vitro the dynamic fluctuations in force and shape that happen in vivo by
actively stimulating cell-material constructs with controlled mechanical deformations.
This approach has in fact been exploited for quite some time'*° but is increasingly
explored in tissue engineering for the maturation of constructs. Most of the time, the
stimulus is an attempt to recapitulate stresses that the native tissue endure in vivo, such
as compression and shear forces in cartilage differentiation!®! or tensile deformations in
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skin and hair regeneration'”~. In other circumstances, not-so-native forces can also
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prove effective, such as stretching in cartilage formation'”> or even nanovibrations of

MSCs in osteogenesis'**.

[H2] Time-dependent changes

One further option to achieve time-dependent changes is to use cells as the actuators. In
fact, this quite lively field of study represents a new paradigm in modern tissue
engineering. Traditional tissue engineering approaches have aimed to direct cell
behaviour by actively stimulating specific cellular receptors and pathways using
bioactive molecules, ligands and scaffolds. Although these methods have shown
promising outcomes, we now appreciate that providing cells with a material
environment that they can remodel, both biochemically and mechanically, might be
equally or even more important. Such materials could be defined as biolabile rather than
bioactive, meaning that they are prone to change and remodeling. Similarly, such
environments enable cells to bind to, degrade, or plastically open up gaps to move
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through it'3, to physically contract and mechanically change its shape!®S, or to expand,

remodel and deposit their own proteins on it'*7. The results of these 2018-2019

studies!?>197

show that tissue engineering might benefit not only from highly specific
cell stimulation cues but also from the cells “mastering their own fates through the
matrix”!%%, in vitro. Eventually, both types of stimuli might be employed, as happens in
vivo where local entities remodel and regenerate tissues but also respond to systemic
cues.

In fact, in vivo degradability and remodeling further highlight time-dependent
changes as an important dimension of engineered tissue mechanics. The development of

materials that degrade in close conjunction with the formation of new tissue is the holy

grail of tissue engineering — the desired outcome being total regeneration of native
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tissue and the complete removal of synthetic material or the appropriate remodeling of a
natural scaffold. This degradability implies that the mechanical properties of the
engineered tissue substitute will vary over time. Although it is outside the scope of this
Review to discuss the complex concept of degradability after implantation, it is
important to consider that different degradation mechanisms of the tissue substitute
could lead to different changes in its mechanical properties through time. Degradation
of polymeric substitutes, for example, might occur on the surface and/or in the bulk,
with or without a change in molecular weight!®®, which raises the prospect of time-

200 combined with the

varying changes in their mechanical properties after implantation
previously discussed matrix deposition and remodeling by cells both from the construct
itself and resident in its vicinity. These changes, even if desirable and necessary for true
construct integration, make post-implantation outcomes extremely complex. As such,
advanced translational strategies might benefit from applying predictive methods such

as machine learning?®! to understand and improve post-implantation outcomes.

[H2] Interface tissues
Additionally, the mechanical changes natively occurring in biological tissues often also
have a spatial element, which can be challenging to recapitulate. However, some tissue
structures naturally bridge two distinct environments with different mechanics (typically
one soft and one stiff material). Such tissues are often found in vivo in locations where
transitional tissues are formed, such as in cartilage-to-bone, meniscus-to-bone, tendon
or ligament-to-bone and muscle-to-tendon interfaces®%2.

Attempts to engineer similar structures have mainly focused on combining two
mechanically distinct compartments (which might also have other distinct
characteristics) into a single structure mimicking either a bone and tendon

203,204 or a cartilage and bone interface?*®, while hoping that the interface region

interface
is stable enough (and large enough) to house intermediate cell phenotypes and
behaviours. However, interface tissues in vivo typically demonstrate a gradient in which
changes are gradual rather than binary. Similar gradients have been produced for

osteochondral tissue engineering?*®

, an interesting yet challenging approach to the
creation of life-like interfaces. Nevertheless, materials with 3D gradients in mechanical
characteristics are still scarcely reported in the literature, and it will be interesting to see
what the future holds with regard to this approach to interface tissue fabrication, as

scientists begin to develop the toolbox for soft-to-hard tissue bioengineering?®”’.
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[H1] Future perspectives

Scientists are beginning to develop and employ advanced biofabrication technologies to
mimic the natural properties of biological tissues across different scales. Examples can
be seen in the fields of additive manufacturing, where the precise control and
recapitulation of complex biological shapes®®® is being combined with advanced bioinks
for 3D printing?”®. Meanwhile, metamaterial research is also delivering very exotic
shapes with complex mechanical functionality to distinct structures?!%?!! and it will be
exciting to see how these properties might be combined with biological systems.
Simultaneously, a clear trend is evident towards the engineering of materials with time-
varying mechanics, which have been achieved either through material-intrinsic stress
relaxation and/or stress stiffening or through external mechanical stimulation. Thus,
modern approaches to mechanical tissue engineering, which focus on maximizing cell
stimulation, seem to be drifting away from the classic paradigm of biomechanical tissue
replacement.

Although these are very interesting approaches, they come with one overall
caveat: extremely soft environments (up to few kPa) have been shown to promote the
best cellular responses even when used for generation of a stiff tissue. How then can
these soft engineered structures reach the elastic moduli of their living counterparts?
Can we integrate time-dependent changes in mechanics into stiffer structures and still
obtain the desired cellular responses? Will cellular proliferation, ECM deposition and
overall tissue maturation lead to appropriate construct stiffening or can we push the
capacity for stress-stiffening of currently available materials to even higher orders of
magnitude?The answers to these essential questions will inform how to efficiently
combine the biological advantages of soft environments with the mechanical resilience
of stiff structures. Furthermore, an important need remains for further manipulating very
uniform materials to approach natively non-uniform structures, such as the interfacial
gradients, anisotropic environments and overall multiscale biological complexity
discussed in this Review. In this regard, interesting advances have been reported in

212and combinations of hydrogel printing with

nanocomposite hydrogels
electrospinning?!? that enable the introduction of shape and directionality into
engineered constructs. Finally, the effects of post-implantation events, particularly

remodeling and degradability, on construct mechanics represents an additional level of
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complexity that is as yet far from being decoded and properly integrated within tissue

engineering strategies.

[H1] Conclusions

We have seen that biological tissues have very distinctive mechanics due to their
structural complexity and heterogeneity, which only increase with evaluations of the
properties of their individual constituents (both ECM and cells). Regarding bulk tissue
mechanics, a substantial amount of literature is derived from different animal models
and distinct techniques. However, high levels of disparity persist when some values are
derived and wrongful comparisons are made by not considering the dimension and/or
type of deformation studied (in terms of its magnitude, directionality and dynamicity).
Furthermore, some bulk tissues have only been analyzed at a single dimension
(macroscale, microscale or nanoscale). As a consequence, these disparities raise
questions that demand further research.

At microscale and nanoscale dimensions, the mechanics of several ECM
structures remain unexplored, despite their well-known biochemical roles. Future
research into these structures might be important to improve our understanding of how
they contribute to bulk tissue mechanics and also for improving homogenization; that is,
the prediction of bulk material properties informed by knowledge of their microscale
components’ mechanical behaviour, as discussed in the ‘Spatial scale’ section.
Additionally, cellular mechanics reveal themselves to be extremely complex, even in
the cell types for which a good picture is already established. At this level, two main
challenges seem to remain: first, the unification of tensegrity and soft glassy rheology
models (Box 2), both of which might be linked by the pre-stress role of the
cytoskeleton, and second, translation of the knowledge derived from cells in monolayer
cultures to those within 3D environments, where further complexity is likely to arise.
Closing these and other gaps in knowledge will illuminate the interplay of force and
shape in biological tissues and will underlie the roadmap for engineering life-like
structures in health and disease states.

It seems clear that there will never be a true standard for the mechanical analysis
of biological tissue and that variability in the results of such analyses will always be
high. Nevertheless, we believe that by properly integrating the results derived from
different analysis methods towards material-translatable conclusions, the mechanical

intricacies of living tissues can be well understood. Similarly, the tools to recapitulate
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each individual tissue might soon be at our disposal. Understanding how to exploit
synergies between soft and stiff materials to maximize cell stimulation while also
approaching the mechanics of the mature biological tissue could be the final frontier for

engineering truly life-like tissues.
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Table 1 Commonly used techniques for the mechanical characterization of living tissues.

Moduli S | Di . Standard test Ref
; oduli ample imension efs.
Technique Concept methods*
Classic stress—strain analysis. D412, D638,
Tensile Uniaxial stress is applied to stretch E (elastic) Mostly ex Macroscale D882, D1623, 214
deformation the material and a relationship is Vivo tissue D1708, D3039,
established with the resulting strain D3039M
Classic stress—strain analysis. D695, D1621
Uniaxial stress is applied to
Compressive | COMpress the material and a ) Ex vivo a1s
prost relationship is established with the | £ (¢lastic) : Macroscale
deformation . . . tissue
resulting strain; the compressor is as
the same size or larger than the
sample
i . . R . D5024,D502
Dynarm.c Cycles of tensile and compressive EE Ex vivo M 1 >024,D5026 216
mechanical . X . . acroscale
. deformations (viscoelastic) | tissue
analysis
Shear Apphcatlon of small-amplitude G’ G (shear, | Ex vivo Macroscale D5279 217218
rheometr oscillatory shear stress and viscoelastic) tissue
Y quantification of the resulting strain
Plpette or Establishment of the relatIOI'lSh.lp ' Ex vivo (Microscale), NA 219220
micropipette between the pressure of aspiration E (elastic) .
o . tissue macroscale
aspiration and aspirated volume of the sample
Indentation of the tissue with a probe E2546-15
of defined geometry, and calculation
. of the relationship between . Mostly ex Nanoscale to 106,221
Indentation indentation depth and probe load E (clastic) vivo tissue macroscale
(the probe must be smaller than the
sample)
Atomic-level indentation E NA
Atomic force | (nanoindentation) or shear rheology | . . Dry or wet ex | Microscale, 5,142,222
. . . (indentation), L0
microscopy (atomic force microscopy-based e vivo tissue nanoscale
G’, G (shear)
rheology)
Magnetic resonance visualization of NA
Magnetic tissue deformatlon resulting from the G’ G (shear, o Macroscale 223224
resonance introduction of shear waves into the . . In vivo tissue o .
. . viscoelastic) (millimetric)
elastography tissue derived from external
vibrations
Ultrasonic pulses produce shear NA
Ultrasonic waves through the tissue; the
. . . N Macroscale 225
shear wave velocity of these waves is measured | £ (elastic) In vivo tissue o .
. o (millimetric)
elastography | and used to derive the tissue's

Young's modulus

* Additional test methods are suggested by American Society for Testing and Materials (ASTM)

F2150-13 where applicable; sample preparation and conditioning guidelines are provided by

ASTM F1634 and F163.
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Table 2 Mechanical moduli of extracellular matrix components.

Component Technique E values Refs.

Collagen molecule X-ray diffraction 3-9 GPa 33

Collagen fibril AFM indentation or tensile | 2-7 GPa (tensile), 5.0-11.5 GPa | **
deformation (indentation)

Collagen fibre Micro-bending 100-360 MPa 226

Fibronectin fibre Microelectromechanical Up to 3.5 MPa (strain-dependent) | *°
systems tensile deformation

Fibrin fibre AFM tensile deformation or | 1-28 MPa 227,228
micro-bending

Elastin fibre Tensile deformation 1.1-1.2 MPa 229,230

AFM, atomic force microscopy; E, uniaxial elastic Young’s modulus.
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Table 3 Mechanical moduli of distinct cell types.

Cell type Technique Moduli | Moduli values (condition) Refs.
Differentiating MSCs Micropipette E 0.89 kPa (osteogenic) 7
aspiration 0.22 kPa (adipogenic)

MSCs AFM indentation E 2.5 kPa (spherical®) 100
3.2 kPa (spread®)

Osteoblasts AFM indentation E 2.6 kPa (spherical®) 100
6.5 kPa (spread®)

Pancreatic cells AFM indentation E 0.54 kPa (healthy cell) 5
0.54 kPa (carcinoma)

Cervical epithelial cells AFM indentation E 2.05 kPa (healthy cell) 160
2.80 kPa (carcinoma)

Fibroblasts AFM indentation E 0.5-30.0 kPa (cell body) 71,231

Pleural effusion cells AFM indentation E 0.38 kPa (metastatic cell) el
2.53 kPa (healthy cell)

Lung cells AFM rheology G’ 0.5 kPa (alveolar cell) 232
0.7 kPa (bronchial cell)

Embryonic stem cells Magnetic twisting G 0.55 kPa (naive) 80

cytometry Up to 2 kPa (differentiated)

Adipose stem cells AFM indentation E 0.6-1.6 kPa 77

Smooth muscle cells AFM indentation E 5.9-7.7 kPa 233

Cardiomyocytes AFM indentation E 41 kPa 8

Keratinocytes AFM indentation E 120-340 kPa 234

Kidney proximal tubule cells | AFM indentation E 0.35 kPa 235

Hepatocytes AFM indentation E 0.75-1 kPa 236

Thyroid cells AFM indentation E 1.2 kPa (healthy cell) 7
1.3 kPa (cancer)

Eye lens cells AFM indentation E 4.83 kPa (nuclear cells) 7
0.22 kPa (cortical cells)

Spherical cells have a round morphology owing to a short culture duration. "Upon continued

culture, cells lose their initial spherical morphology and exhibit spread over the surface. AFM,
atomic force microscopy; E, uniaxial elastic Young’s modulus; G, shear modulus; G, shear storage

modulus (dynamic); MSC, mesenchymal stem cell.
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Table 4 Mechanical moduli of human tissues.

Tissue Dimension Moduli Moduli value (condition) Refs.

Nervous system

Brain Macroscale G 1-3 kPa 170,238,239

Spinal cord Macroscale E 1.23 MPa (tensile) 1o

Nerve Macroscale E 5 MPa 240

Connective tissue

Bone Nanoscale E 1.28-1.97 GPa 128

Bone Macroscale E 10.4-20.7 GPa 2

Cartilage Macroscale G 5.7-6.2 MPa 24

Adipose tissue Macroscale E 1.6-5.5kPa 131,139,242

Ligament Macroscale E 25-93 MPa 243245

Muscle tissue

Cardiac muscle Macroscale E 8 kPa 246

Cardiac muscle Macroscale G 5-50 kPa 171,247

Skeletal muscle Macroscale EG 5-170 kPa 248251

Endothelial or

epithelial tissues

Skin Macroscale E 60-850 kPa (35 kPa dermis, 2 | !!1,117:120.25
kPa hypodermis) 2

Skin Nanoscale E 4.5 MPa (epidermis), 0.1 MPa | 4!
(dermis)

Lung Macroscale G 0.84-1.50 kPa 253,254

Lung Nanoscale E 1.96 kPa 255

Other organs

Kidney Macroscale G 4 kPa (cortex), 5 kPa 256,257
(medulla), 8 kPa (sinus)

Spleen Macroscale G 15-20 kPa 144-147

Liver Macroscale E 4.0-6.5 kPa 258-260

Liver Macroscale G 2 kPa 261,262

Thymus? Macroscale E 2.11 kPa 131

Thyroid Macroscale E 9-50 kPa 169,263-265

Thyroid Macroscale G 1.3-1.9 kPa 266

Pancreas Macroscale E 2.9 kPa 267

Pancreas Macroscale G 1.1-2.1 kPa 223,268,269

Bladder Macroscale G 50 kPa (empty) up to100 kPa | 27°
(full)

Cornea Macroscale E 0.2 MPa 27

Cornea Nanoscale E 7.5-109.8 kPaP 2

Lens Nanoscale E 0.4 MPa (capsule) 273

Lens Macroscale E 2.3-3.3 MPa (capsule) 122,123

Lens Macroscale G 0.2-10.3 kPa 124

*Decellularized. PDistinct layers of the cornea have different moduli, as detailed in Supplementary Table

S1. E, elastic modulus; G, shear modulus.
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Figure 1. Main mechanical deformations and representative curves. The main types
of mechanical analysis include a | tensile, b | compressive, ¢ | shear and d | torsion
deformations. e | Typically, static deformations (such as tensile or strain deformations)
yield a complex curve within which distinct regions can be identified, each of which has
important mechanical correlates. Young’s modulus (E) is calculated as the slope of the
stress verus strain curve in the linear (elastic) region. With higher levels of strain, the
material enters the plastic domain of the curve, where deformations are no longer
reversible and the material deforms permanently until fracture occurs. Alternatively, a
dynamic analysis can be performed, in which a strain within the linear (viscoelastic)
region is applied repeatedly over time, in cycles often with changes in frequency or
temperature, to yield storage (£") and loss (£”") moduli . The storage modulus is related
to elastic deformation of the material whereas the loss modulus represents the energy

dissipated by internal structural rearrangements.

Figure 2. The stiffness of living tissues spans a full Pa—GPa range. The literature-
reported elastic moduli (E) of tdifferent tissues are reported in the left (logarithmic)
scale. Tissues are organized by increasing crescent moduli. Central nervous system
(CNS) tissues, as well as most abdominal organs and skin have moduli within the sub-
MPa level and as such are generally characterized as soft tissues (in biological terms).
Cartilage, ligament, tendon and bone are the stiffest tissues of the human body. For
comparison purposes, the moduli of some common tissue engineering materials are
included in the graph: 8% acrylamide gel*™, tissue culture polystyrene*” and titanium
(used for dental and bone implants) *’°. Tissue culture polystyrene, the standard cell-
culture substrate, is clearly stiffer than almost all biological tissues, an important source
of error in mechanical analyses derived from in vitro studies. The reported moduli are
derived from studies across different animal models and types of deformation, although
we have prioritized studies using human tissues and physiological-like deformations

(mostly at macroscale dimensions).

Figure 3: Tissue mechanics are altered in disease states. Fibrosis and cancer are the
two main disease states in which the mechanical properties of tissues are prominently
affected. In both conditions, the desmoplastic deposition and crosslinking of

extracellular matrix (ECM) fibres, together with fibroblast proliferation and
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differentiation into myofibroblasts, lead to increased tissue stiffness. These changes are
a response to prolonged healing, tissue damage (fibrosis) or neoplastic lesions (cancer).
Moreover, in tumours, aberrant cell proliferation compresses the surrounding healthy
tissue compartments, leading to mass effects (such as nerve and blood vessel
compression) and an increase in solid stress, which further stiffens the local tissue.
Additionally, in cancer, malignant cells can further subvert stromal entities in the
tumour microenvironment towards a profibrotic phenotype'®’, resulting in increased

local fibrosis.

Figure 4: Engineering of life-like tissue mechanics. The ultimate goal of considering
stiffness in tissue engineering strategies is the recapitulation of the qualities of living
tissue. Static mechanical properties are initially considered by trying to mimic the
stiffness and/or softness of the native structure. However, the dynamic nature of
biological tissues leads to a need for the incorporation of changes in mechanics (either
in space or time). Time-varying mechanics can be obtained by exploiting materials with
stress stiffening or stress relaxation responses (whereby the material either stiffens or
relaxes in response to a continued duration or increased level of stress, respectively).
Alternatively, mechanical deformation can be applied directly to constructs to mimic
these properties when the material itself lacks such dynamicity. Space-changing
mechanics are found in tissue interfaces such as those found in regions where cartilage
is gradually becoming bone. The characteristics of these gradually changing structures

can be mimicked by gradients of structure, composition and mechanical properties.
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BOX 1 Standards in mechanical testing

Standardized protocols must be followed in mechanical analyses if the data so obtained
are to be interpreted with a good level of confidence and comparable between different
investigational studies. Accordingly, in the past decade, there has been a great effort to
introduce standardized methods for the analysis of tissue-engineered products, such as
the American Society for Testing and Materials (ASTM) standards developed by
committee FO4 and related subcommittees, which aim to improve the safety, quality and
consistency of these products. Although these standards were not specifically developed
for the purpose of performing mechanical tests on human tissues, they can provide
guidance for appropriate testing. For example, ASTM F561-19 covers
recommendations for the handling and analysis of postmortem tissue and living tissue
samples surgically removed from human and animal subjects, whereas ASTM F2150—
13 provides guidance on the selection of appropriate test methods for analyzing the bulk
physical, chemical, mechanical and surface properties of such samples. ASTM D638—
14, a standard for testing polymeric materials under uniaxial extension, states that it
might not be meaningful to compare the results of tests made over widely different
loads or time scales. Although biological systems differ substantially from the plastics
referred to in ASTM D638-14, when taking a cautious approach we might reasonably
extend these concepts to human tissues. Overall, however, the tissue-engineering
literature seems to be reluctant to adopt similar standards, or even to attempt to follow
existing standards. In most published reports, mechanical tests are either not performed
according to any consensus standard, or if they are, the standard followed is rarely

referenced.
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BOX 2 Towards a unified description of cellular mechanics.

The past three decades have seen substantial efforts to define the ruling principle behind
cellular mechanics and its consequential effects on mechanotransduction responses and
all consequent cellular events (including cell membrane protrusion, adhesion, migration
and mitosis). The cellular tensegrity model proposed that the cytoskeleton is a
tensioned or prestressed network responsible for maintaining cellular stability, in the
same way that tensegrity architecture enables buildings and bridges to stay unchanged
and robust for countless years?’’. Subsequently, other researchers hypothesized that
cells behaved as a soft glassy material; that is, having time-scale free and frequency
scale free rheological behaviour that obeys a weak power-law?’®. This notion became
known as the soft glassy rheology (SGR) model, which was later complemented by
evidence that at extreme time-scales or frequencies, cellular behaviour deviated from a
single power law and showed time-scale dependency?’”®. Nevertheless, among its
fundamental characteristics, the SGR model implies that cells (in common with other
soft glasses) are metastable structures that are naturally out of equilibrium. Although
this characteristic is in agreement with the recent description of cortical cell networks as
out-of-balance, active gels®®, some difference exists between the SGR model and a
stable, equilibrated tensegrity model. Until now, both models are still employed to
describe the distinct phenomena governing cell function: both models suggest that
actomyosin pre-stress is the link between cytoskeletal stabilization and power-law
modulation of cell behaviour?®’. Nevertheless, a general unification of these models is

yet to be established.
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