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Abstract 

Matrix stiffness has been extensively investigated as a driver of cell behaviors and determinant 

of cell fates. These studies focused on cells cultured on linear elastic substrates, however the 

cellular microenvironment is not linearly elastic.  A more accurate characterisation of tissues is 

as a viscoelastic material where there is a time dependence to relating stress and strain. 

Individual cells use traction forces to gauge their local mechanical environment and they have 

been shown to respond to viscous changes in their environment, independent of changes in 

elasticity. With individual cells being responsive to viscous changes and tissues being well 

characterised by viscoelasticity, it follows that understanding local cell-scale viscoelasticity of 

tissues could inform our understanding of tissue development and disease progression. However, 

few techniques exist capable of making such measurements, so it is unclear what the local 

viscoelastic properties which cells create and respond to are.  

Here, we adapted the use of fluorescently labelled swellable mechanosensors to characterize 

microscale viscoelasticity within complex 3D tissues. These cell-sized sensors were previously 

used to measure local stiffness based on equilibrated sensor size changes. To further the 

technology for viscoelastic measurements, we characterized sensor generated stress in phantom 

tissues of prescribed elasticity. We then used the stress-sensor expansion curve in inverse finite 

element simulations to fit model strain-time curves with experimentally obtained strain-time 

curves from sensors embedded in tissues. As a first application, we evaluated the viscoelastic 

properties of invasive and non-invasive cancer tumor models and demonstrate a significant 

difference in viscous behavior at the cellular length scale within these realistic tissue models. This 
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technique provides the means to characterize viscoelasticity with cell-scale resolution at 

unprecedented tissue depths which supports future investigation of how mechanical 

characteristics of the local mechanical environment influence cell behavior. 
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Resumé 

La rigidité de la matrice a fait l'objet d'études approfondies en tant que moteur du comportement 

des cellules et déterminant de leur devenir. Ces études se sont concentrées sur des cellules 

cultivées sur des substrats élastiques linéaires, mais le micro-environnement cellulaire n'est pas 

linéairement élastique.  Une caractérisation plus précise des tissus est qu'il s'agit d'un matériau 

viscoélastique où la relation entre la contrainte et la déformation dépend d'un dixième de degré. 

Les cellules individuelles utilisent les forces de traction pour évaluer leur environnement 

mécanique local et il a été démontré qu'elles répondent aux changements visqueux de leur 

environnement indépendamment des changements d'élasticité. Les cellules individuelles étant 

sensibles aux changements visqueux et les tissus étant bien caractérisés par leur viscoélasticité, 

il s'ensuit que la compréhension de la viscoélasticité locale des tissus à l'échelle cellulaire pourrait 

nous aider à comprendre le développement des tissus et la progression des maladies. Cependant, 

il existe peu de techniques capables d'effectuer de telles mesures, et on ne sait donc pas quelles 

sont les propriétés viscoélastiques locales que les cellules créent et auxquelles elles répondent.  

Ici, nous avons adapté l'utilisation de mécanocapteurs gonflables marqués par fluorescence pour 

caractériser la viscoélasticité à micro-échelle dans des tissus 3D complexes. Ces capteurs de la 

taille d'une cellule étaient auparavant utilisés pour mesurer la rigidité locale sur la base des 

changements de taille du capteur en équilibre. Pour faire progresser la technologie des mesures 

viscoélastiques, nous avons caractérisé la contrainte générée par le capteur dans des tissus 

fantômes d'une élasticité prescrite. Nous avons ensuite utilisé la courbe d'expansion contrainte-

capteur dans des simulations inverses par éléments finis pour ajuster les courbes de 

déformation-temps du modèle aux courbes de déformation-temps obtenues expérimentalement 
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à partir de capteurs intégrés dans des tissus. Dans une première application, nous avons évalué 

les propriétés viscoélastiques de modèles de tumeurs cancéreuses invasives et non invasives et 

démontré une différence significative dans le comportement visqueux à l'échelle de la cellule 

dans ces modèles de tissus réalistes. Cette technique permet de caractériser la viscoélasticité 

avec une résolution à l'échelle cellulaire à des profondeurs tissulaires sans précédent, ce qui 

favorise les recherches futures sur la façon dont les caractéristiques mécaniques de 

l'environnement local influencent le comportement cellulaire.  
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1. Introduction 

1.1 Motivation 

The mechanical properties of tissues, especially stiffness, is an established indicator for the 

presence of some diseases, such as with many soft tissue cancers, which has made it an essential 

characteristic used in screening1–3. While very effective in this context, there remains the 

challenge of understanding what is happening within a tumor in vivo which could be indicative of 

disease progression3. By developing techniques to measure the mechanical properties of tissue, 

new information about the diseased tissue can be acquired and potentially used to inform more 

appropriate treatment options, improving patient outcomes. The importance of tissue 

mechanical properties however is not limited to cancer and has been shown to be an important 

factor in other diseases, tissue development, homeostasis, and general cell behavior3,4. With such 

widespread impact across biological systems, it is imperative to develop techniques engineered 

to function at the scale of a cell to allow understanding of the local environment in tissues as 

experienced by cells.  

As evidenced in the numerous studies of tumor stiffening, tissue mechanics are dynamic and 

highly heterogenous which means individual mechanical property measurements are only a 

snapshot in time and space of the tissue2,5,6. They therefore may not be indicative of how the 

tissue is changing or how those properties vary across a tissue. In 3D cultures used to better 

emulate tissues in vivo, the cells themselves both determine and change their local environment 

mechanically so it is especially important to characterize what a cell would mechanically sense as 

they are often distinct from the bulk tissue properties7,8. 
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While cells have been shown to respond to surrounding matrix stiffness, the viscous properties 

of a matrix have emerged to be potentially as influential on cell behavior both on a 2D substrate 

and in a 3D matrix9,10. These findings suggest that cells can discern time dynamics independent 

of stiffness when probing their local environment which makes the widespread use of linearly 

elastic substrates for tissue culture potentially limiting to studies in mechanobiology.  With both 

matrix stiffness and viscous properties being distinguishable by cells, there may be interplay 

between the properties which drives cell form and function11. Therefore, both the stiffness and 

viscous time dynamics of a tissue could be used in combination to better characterize why cells 

behave the way they do and why they may be driven to change in response to their environment. 

Given that tissues are well regarded as being viscoelastic, it is evident that cell-scale 

viscoelasticity could inform our understanding of what a cell feels within a tissue while remaining 

in the confines of a tissue as opposed to a 3D culture substrate12,13. 

By modelling and evaluating cell-scale viscoelasticity in 3D tissues, we can begin to understand 

the implications of both the elastic and viscous properties of tissues on development, especially 

in the context of disease where changes to the tissue’s stiffness are already evident. 

1.2 Aims 

The aim of this work was to adapt previously used thermally actuated mechanosensors for use 

as viscoelastic sensors which could be used to evaluate cell-scale viscoelasticity in relatively stiff 

tissues14. With no previous sensor being able to probe the viscoelastic properties within stiff 

tissues, this development permits future studies in mechanobiology to better understand how 
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time dependent viscous properties may contribute as essential mechanical factor sensed by cells. 

This is completed through the following three aims: 

1) Characterize sensor stress-expansion profile through constrained expansion in linearly 

elastic matrices. 

2) Develop an inverse finite element model to measure viscoelastic properties of tissues 

from experimentally obtained strain-time profiles. 

3) Evaluate viscoelastic properties in breast cancer spheroids to investigate changes with 

invasive phenotypes. 
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2. Background 

The mechanical properties of tissues have long been established as drivers of tissue form and 

function4. With differences in the stiffness of various types of tissues being so distinct, ranging 

from 10s of pascals in soft tissues and 100s of megapascals in bones, no single measurement 

technique can have the resolution and range needed to. precisely characterize all tissues15. In 

addition, it has been shown that small mechanical changes to the 2D and 3D substrates which 

cells are seeded on is influential on cell behavior16–20. With such extensive variability across 

different types of tissues along with cells being sensitive to small changes in their cellular 

microenvironment, it is evident that specialized techniques are needed to advance our 

understanding of tissue mechanics. However, probing a macro-scale tissue made up of meso-

scale cells that respond to micro-scale elements of the cellular microenvironment is highly 

complex3. With interest in tissue viscoelasticity growing as evidenced by the frequency of 

publications increasing steadily with time shown in figure 1, it is essential that suitable techniques 

for evaluating viscoelasticity across the wide range of tissues becomes available. 
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Figure 1: Publication in PubMed with the keyword ‘Tissue Viscoelasticity’ by year. 

2.1 Basics of mechanical properties 

In its most basic form, materials can be characterized as linearly elastic through the relationship 

of stress and strain, that is the force applied over an area and the normalized change in length of 

the material being stressed shown in figure 1 (a). Most simply the stress (s) and strain (e) of 

material are linearly related and characterized by the Young’s Modulus (E) of the material which 

defines the stiffness of the material at levels of strain where no permanent deformation occurs 

shown in figure 2 (b). While loading of a material causes deformation in the same direction as 

the applied stress, there is also deformation that occurs perpendicular to the direction of the 

applied stress because of incompressibility in the material which is described by the Poisson ratio 

(n) of the material. The Poisson ratio is calculated as the ratio of transverse strain to axial strain 

on a stressed material as described in figure 2 (c). As illustrated in figure 2 (d), when continually 

increasing applied stress, the yield point is eventually reached after which permanent plastic 
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deformations begin to occur and remain after applied stress is removed. As stress is further 

applied, the material eventually reaches a point of excessive deformation and fractures.  

 

Figure 2: (a) Deformation of rectangular block from tensile stress at the ends results in longitudinal stretch of the material and 

corresponding lateral shrinking. (b) Definition of strain based on deformation with positive strain indicating tensile load and 

negative strain indicating compressive load. Strain is also equivalent to the product of stress and the Young’s modulus over the 

elastic region of deformation. (c) Poisson ratio n  defines the relationship between deformation in the direction of and 

perpendicular to applied stress.   (d) Representative stress strain curve for linearly elastic material up to its fracture point. Young’s 

modulus (E) is denotes the slope over the linear range of stress and strain. 

While stress can be applied normally to the surface, it can also be applied tangential to the 

surface in what is called shear stress illustrated in figure 3. In the same way as materials can 

deform elastically to a stress normal to the surface characterized by the Young’s modulus, they 

can also be characterized by the shear modulus (G) which describes the linearly elastic 

relationship between shear stress (𝜏) and shear strain (𝛾).  



 7 

 

Figure 3: (a) Shear stress (𝜏) applied on a test cube causes alteral deformation of the sample. (b) The shear stress is defined as the 

average force tangential to the surface of area A. (c) Shear strain is defined in engineering terms as the ratio of lateral deformation 

(∆𝑥) to the initial length of the surface. (d) The shear modulus (G) defines the ratio of shear stress to shear strain over the elastic 

range of deformations. 

While Young’s modulus and shear modulus are distinct, they can be related through the following 

equation which also includes the Poisson ratio (𝜈) defined in figure 3 (c). 

𝐸 = 2𝐺(1 + 𝜈) 

2.2 Static vs dynamic moduli 

Unfortunately, the Young’s modulus and shear modulus characterize only the static properties of 

a material and do not account for how a material may respond dynamically to loads and 

deformations. Instead, oscillatory tests are performed over a range of deformations to obtain the 

dynamic moduli of a material. Dynamic tests are more suitable to characterize materials that are 

viscoelastic rather than exhibiting linear elastic behavior. Just as with static moduli there are 

separate dynamic moduli for normal and shear stresses which are still denoted by E and G. The 

difference is that dynamic mechanical testing evaluates both a storage and loss modulus which 

measure the ability for a material to store and dissipate energy when deformed, accounting for 

the viscous behaviors seen in many materials. With compression and tension, the storage and 

loss moduli are given as E’ and E’’ while the shear storage and shear loss moduli are denoted as 
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G’ and G’’. In linearly elastic materials, the loss modulus is negligible and therefor the storage 

modulus is equivalent to the Young’s or shear modulus respectively. 

2.3 Challenges in measuring tissue mechanical properties 

While changes to the mechanical properties external to tissues can be completed relatively easily 

by changing the matrix surrounding the tissue16–20, internal changes which are driven by the 

tissue itself are much more difficult to evaluate and require the use of specially engineered 

techniques to make such measurements. Essentially, cells are responsive to their environment 

through signaling factors including mechanical probing which are made up by the tissue itself in 

vivo. While tuning matrix properties in 2D and 3D can elucidate the response to cells to their 

changing environment, it does not detail the dynamic changes that occur in larger scale tissues 

that change dynamically as they develop. 

 Furthermore, the information obtained by the measurement technique is specific for the length-

scale, location, and time-scale of the measurement which limits comparison of techniques3.  

2.4 Techniques for tissue mechanical property measurement 

Regardless, there is a multitude of different techniques that have been developed for the 

measurement of tissue mechanical properties. In general, these techniques require applying a 

stress or strain and measuring the corresponding other property. These techniques can be 

categorized by their length-scale and location of measurement as surface based, internal or bulk. 

These spatial distinctions substantially change what is measured with bulk measurements being 

indicative of the tissue scale mechanical properties while surface and internal measurements can 
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range from macro-scale (millimeter range) and cell-scale (micrometer range) mechanical 

properties. 

2.4.1 Bulk measurement techniques 

Most conventional are techniques which measure the bulk mechanical properties of tissues, in 

part due to the ease of making larger scale measurement and the extensive research into 

characterizing materials at a scale of millimeters to centimeters. Relative to tissues, this type of 

measurement characterizes average properties across the whole of the tissue without any spatial 

variation. This type of technique is most appropriate for a homogenous tissue sample however it 

has been shown that despite uniformity in the type of cells and overall makeup of a tissue, there 

can still be considerable variability in the mechanical properties at a higher resolution. Some 

techniques which have been applied to tissues are illustrated in figure 4. 

 

Figure 4: Bulk mechanical property measurement of tissues. Compressive measurements made through (a) microfluidic 

compression testers21,22. (b) Tensile measurements made through magnetically actuated pillars24. (c) Rheometer based 

mechanical property measurement based on shear stress and strain. (a) Reprinted with permission from MacQueen, L., 

Chebotarev, O., Simmons, C. A. & Sun, Y. Miniaturized platform with on-chip strain sensors for compression testing of arrayed 

materials. Lab. Chip 12, 4178–4184 (2012). (b) Reprinted with permission from Zhao, R., Boudou, T., Wang, W.-G., Chen, C. S. & 

Reich, D. H. Decoupling cell and matrix mechanics in engineered microtissues using magnetically actuated microcantilevers. Adv. 

Mater. Deerfield Beach Fla 25, 1699–1705 (2013). 



 10 

Tensile and compression testing of materials are the most straightforward techniques whereby 

the sample is either pulled in tension or squished in compression. Samples are loaded axially with 

stress and strain being monitored during loading and the characterization of the stress strain 

profile yield the mechanical properties of the sample. These techniques have been adapted for 

use with tissue through miniaturized compression testers23,25, microfluidic compression 

chambers22, and pillar based magnetic microtissue testers24,26 as illustrated in figure 4 (a), (b) and 

(c). These techniques are highly specialized to specific types of tissues and therefore cannot 

always be applied to specific tissue models or even excised tissues. Especially when considering 

tensile testing of a tissue, it is important to consider how that tissue can be connected to the 

testing apparatus. 

Rather than axially loading samples, stress and strain can be applied tangential to the surface 

through shear rheology illustrated in figure 4 (d). To measure mechanical properties, shear stress 

is applied and shear strain in observed. Shear rheometers measure the shear modulus, G in static 

tests and the storage modulus, G’ and loss modulus, G” in dynamic tests which characterize the 

stored energy from deformation and the lost energy dissipated through internal friction.  

Lastly, stress can be applied through isotropic loading with osmotic pressure and mechanical 

properties can be inferred based on observed size change from compression8. By modulating the 

concentration of dextran, a long chain polymer unable to enter tissues, spheroids bulk 

mechanical properties have been assessed both as a linear elastic and viscoelastic material27,28. 
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2.4.2 Surface measurement techniques 

When measuring the mechanical properties over the surface of a tissue, there are many choices 

for techniques and flexibility in the length-scales which can be evaluated. Only direct contact 

measurement techniques are discussed and remote tweezer techniques were omitted as they 

operate at a sub-cellular scale and cannot probe stiff properties as applied forces are on the order 

of piconewtons and femtonewtons. 

 

Figure 5: Surface mechanical property measurement of tissues. (a) AFM applies force onto the surface of a sample with cantilever 

tip deflection being indicative of both force and deformation allowing mechanical properties to be determined based on force 

indentation profile29. (b) Micropipette aspiration of spheroids to measure tissues viscosity from prolonged suction at spheroid 

boundary (Scale bar 50µm)30. (a) Reprinted with permission from Essmann, C. L. et al. Mechanical properties measured by atomic 

force microscopy define health biomarkers in ageing C. elegans. Nat. Commun. 11, 1043 (2020). (b) Reprinted with permission 

from Guevorkian, K., Colbert, M.-J., Durth, M., Dufour, S. & Brochard-Wyart, F. Aspiration of biological viscoelastic drops. Phys. 

Rev. Lett. 104, 218101 (2010). 

Adapted from its original use in surface shape mapping, AFM (atomic force microscopy) has been 

used to characterize the mechanical properties across a surface with very high resolution29,31,32. 

The schematic of an AFM system and technique are summarized in figure 5 (a). Working on the 
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same principle of macro-scale compression tests, a small needle shaped probe is pressed into the 

surface to measure the stiffness of the sample. The resolution of the technique is as low as a few 

nanometers due to the precise design of the tip but can also be up to the scale of microns33. By 

probing across the surface of the tissue, a map of stiffness can be generated however this is 

mostly limited to flat tissue sections simply due to the geometry29.  

Analogous to AFM is micro and nano indentation where a probing head is again pressed into the 

surface and the resulting stress and strain are used to characterize the mechanical properties34–

36. This technique is often used to characterize linearly elastic or viscoelastic materials and can 

be used over a range of length-scales by changing the size and shape of the indentation tip37,38. 

Depending on the size of sample, this technique can provide a lower resolution characterization 

of mechanical properties across a tissue section or be used to across the surface of a whole tissue 

sample. Furthermore, this technique while more coarse in its surface mapping can probe with 

substantially greater levels of deformation as AFM probing has a limited indentation depth and 

is more suited to capture individual cell mechanical properties than those of the outer layers of 

tissues39. 

The final direct contact method for measuring mechanical properties on the surface of a tissue is 

pipette and micropipette aspiration30,40–42. By applying a suction pressure on the surface of the 

tissue, the tissue is gently pulled into the tip of a pipette with the magnitude of deformation and 

the applied suction force being indicative of mechanical properties. Specifically, the bulge 

geometry is observed optically at the suction tip either at one timepoint or over time to elucidate 

the elastic or viscoelastic properties of the sample. The time course response of a tissue exposed 

to a suction force from micropipette aspiration is illustrated in figure 5 (b) illustrating the slow 
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viscous flow observable in tissues after hours of applied suction.  This technique functions over a 

range of length-scales depending on the pipette tip geometry to measure properties of individual 

cells or larger tissue constructs. Micropipette and pipette aspiration have also been implemented 

in microfluidic chips through specially designed channels which perform the same suction 

function43.  

2.4.3 Internal measurement techniques 

While bulk and surface techniques provide unique insight into tissue mechanics, the mechanical 

properties internal to a tissue are most indicative of what the average cell experiences, simply 

because most cells are internal to a tissue or organ. In addition, the properties of a tissue are 

unlikely to be the same at the surface compared to within for a multitude of reasons. Chemical 

factors must diffuse into a 3D tissue or be delivered through mass transport like in the circulatory 

or gastrointestinal systems. Furthermore, any kind of contact based mechanical transduction 

involves the outer surface experiencing different stresses than inside the tissue. Finally, cells near 

to the surface don’t have the same 3D contact with cells in all directions and therefor experience 

a heterogenous mechanical environment more so than cells within the tissue. With cells cultured 

in 2D and 3D showing morphological differences, it follows that even in a 3D tissue we would see 

morphological(and potentially also mechanical) differences at the surface or internally44,45. For 

these reasons, it is unlikely that in complex 3D tissues the mechanical properties of tissues will 

be equivalent at the surface and internally.  

In a clinical setting, elastography has been used extensively to evaluate tissue stiffness and 

viscoelasticity through magnetic resonance elastography (MRE) and ultrasound elastography46–

48.  Elastography techniques use distortions in the tissues which are subsequently observed and 
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used to infer mechanical properties. These distortions can be generated with physical pressing 

on the tissue surface, through sound waves in ultrasound or even from the pulse of a subject. In 

addition, the velocity of shear waves in the materials can also be translated to measure 

mechanical properties. These techniques function over a range of length-scales depending on 

the apparatus that is used. MRE has a resolution as low as half the resolution of native magnetic 

resonance imaging and ranges from 50µm to 10mm but is typically about 1-2mm46,49–51. 

Conversely, ultrasound elastography has a resolution that spans from 10µm to 1mm depending 

on the frequency of transducer used with high frequency leading to finer resolution. In optical 

coherence elastography (OCE), optical interferometry is leveraged to observe induced 

microstrains where resolution as low as a few micrometers can be obtained but imaging is limited 

in probing depth by light penetration limits5,52–55.  

 

Figure 6: Internal mechanical property measurement techniques. (a) Magnetically actuated ferrofluidic oil droplets remain 

spherical until actuated by external magnetic field. Time dependent sensor deformation used to measure viscoelastic properties 

of surrounding matrix (Scale bar 100µm)56. (b) Thermally actuated expanding hydrogel sensors embedded in tissues resolve local 

elasticity from equilibrated sensor size change (Scale bar 50µm)14. (a) Reprinted with permission from Serwane, F. et al. In vivo 

quantification of spatially varying mechanical properties in developing tissues. Nat. Methods 14, 181–186 (2017). (b) Reprinted 

with permission from Mok, S. et al. Mapping cellular-scale internal mechanics in 3D tissues with thermally responsive hydrogel 

probes. Nat. Commun. 11, 4757 (2020). 
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Using ferrofluidic oil droplets, the viscoelastic properties of zebrafish embryos have been 

evaluate to investigate how mechanical properties change during embryonic development56,57. 

Under no magnetic field, the magnetic oil droplets take a uniform spherical shape but when a 

constant magnetic field is applied, the droplet begins to elongate parallel to the applied magnetic 

field. Based on the time dependent deformation of the tissue, the viscoelastic properties are 

deduced. This is illustrated in figure 6 (a) where the slight shape change of the oil droplet can be 

optically measured and computationally evaluated to determine viscoelastic properties of the 

tissues. Due to the small magnitude of sensor induced deformation, this technique is not suitable 

to thick tissues where light penetration challenges limit imaging accuracy and introduce 

significant error. Furthermore, the magnitude of stress applied by these sensors is very low and 

not suited to stiff tissues which would minimally deform when actuated. 

In a similar sense, thermally actuated expanding hydrogel sensors formulated from the smart 

material poly-n-isopropylacrylamide (pNiPAAm) have been used to evaluate the local elasticity 

within breast cancer spheroids14. The hydrogel material is thermally responsive and become 

hydrophobic above 32°C which cause the polymer network to collapse and the sensors to shrink. 

When the temperature is brought below 32°C, the hydrogel becomes hydrophilic, and the sensor 

expands against the surrounding tissue. Based on the extent to which the expansion is 

constrained, the elasticity of the tissue is determined. An example pre and post sensor actuation 

images from sensors embedded in a tissue are shown in figure 6 (b) which illustrate how 

constrained sensor size change can be optically observed and the degree of sensor constraint 

permits inference of residual elasticity. 
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2.5 Viscoelastic modelling 

Viscoelasticity describes both elastic and viscous properties of a material which can describe both 

the time dynamics of a material and the steady-state response once viscous effects have 

dissipated.  

While simple as a concept, the modelling of viscoelastic materials faces the added complexity of 

varied constitutive models which each have unique responses to stress and strain. Most models 

consist of a combination of spring and dashpot elements to describe the linearly elastic and 

viscous properties of the sample. These elements can be added in series and in parallel with any 

number of independent elements in the model and each element describes a unique property of 

the material. While models can include many terms, simple constitutive models are often used 

as the physical implication of elements is easier to understand, estimation of parameters is less 

complex, and they are more generalizable across different systems. Examples of common 

constitutive models and the material responses to creep and stress relaxation are shown in figure 

7. As evidenced by the varied creep and stress relaxation test responses, not all constitutive 

models are well suited for both tests due to limitations in how each elements behaves and 

contributes to the system in its entirety. 

To test viscoelastic properties, usually either a creep test or stress relaxation test are employed. 

In a creep test, a constant step stress is applied to the material and the resulting deformation or 

strain is observed whereas in a stress relaxation test, a constant strain is applied to the material 

and the resulting stress is measured with time. 
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Figure 7: Common constitutive models for viscoelastic creep and stress relaxation, due to an instantaneous and constant applied 

stress (σo) or strain (εo)58. Response from tests on (a) a spring element, (b) a dashpot element, (c) the Maxwell model, (d) the 

Kelvin-Voigt model, and (e) the standard linear solid model. E is the elastic modulus of spring elements, η is the viscosity of 

dashpot elements, τ is the relaxation time, and  t is time. Reprinted with permission from Roeder, R. K. Chapter 3 - Mechanical 

Characterization of Biomaterials. in Characterization of Biomaterials (eds. Bandyopadhyay, A. & Bose, S.) 49–104 (Academic Press, 

2013). doi:10.1016/B978-0-12-415800-9.00003-6. 

As evident by (a) and (b) from figure 7, single element models with a spring and dashpot are 

insufficient to resolve time dynamic properties of materials but by adding the two elements in 

series (c) or in parallel (d) allows either stress relaxation or creep properties to be evaluated. 

Unfortunately, these two model systems cannot exhibit both creep and stress relaxation due to 

how the elements contribute to the whole system. This limitation is solved by (e) the standard 

linear solid model for viscoelasticity which is a fusion of the Maxwell and Kelvin-Voigt models.  
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In the Maxwell model, a creep test cannot be performed as viscous strain occurs linearly and at 

a constant rate while the elastic component responds instantaneously. However, the Maxwell 

model can simulate stress relaxation as instantaneous strain placed on the system would first be 

absorbed by the elastic spring element and then dissipated by the viscous dashpot element over 

time.  

Conversely, the Kelvin-Voigt model with a spring and dashpot element in parallel cannot exhibit 

instantaneous strain and therefor is not appropriate for stress relaxation tests. The Kelvin-Voigt 

model can however model creep behaviors of tissues where the dashpot element dictates the 

time dynamics of the creep, and the spring element dictates the steady state strain eventually 

reached by the system. 

2.6 Mechanical properties as an indicator of breast cancer presence and progression 

With many tumors, the disease is discovered through palpation whereby stiffening of the ECM 

(extracellular matrix) causes a noticeable lump to form59. Palpation however is only effective at 

estimating bulk tissue stiffness and further characterization of tumors is essential for evaluating 

the type of disease, monitoring disease progression and selecting treatment options59.  

In the preceding work to this, the residual stiffness of invasive and non-invasive breast cancer 

spheroids was evaluated and showed distinct differences in the variability of residual stiffness in 

the two conditions. While there was a relatively small difference in the mean or median residual 

stiffness, the invasive tissues showed greater variability with more locally stiff microregions being 

apparent. 
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Across the literature, there is shown to be significant variability in the reported elasticity of breast 

cancer tissues which in large part is due to the range of measurement techniques used and their 

corresponding length scale and spatial probing abilities. The lack of consistency in measurement 

techniques and lack of focus on the length scales of these measurements makes comparison 

between studies particularly challenging. However, characterization of mechanical properties 

across all length scales could be the key in understanding how processes at varying length scales 

contribute to eachother and potentially changes in one length scale could precede others and 

permit earlier detection of disease progression. It is therefore important to establish in general 

how these properties vary across length scales and how these properties may change 

independently from each other. While it is established that there is a stiffening in the bulk 

properties of a tumor, it is unclear how this stiffening develops from a microscopic to 

macroscopic change in the elasticity.  

The Young’s modulus of single cells from breast cancer cell lines has been evaluated which 

presents variability based on the techniques used. In differentially invasive MCF10A and MDA-

MB-231 cells, the less invasive MCF10A cells exhibit generally wider ranging Young’s modulus 

reading ranging from 200-1800 Pa as measured on the cells cytoplasm with higher stiffnesses 

resulting from greater indentation depths60. Conversely, the more invasive MDA-MB-231 cells 

exhibited lower Young’s modulus values across indentation depths ranging from 200-300 Pa60. In 

another study evaluating stiffness of individual cells in MCF10A spheroids, micro-rheology was 

used and resulted in apparent Young’s modulus readings ranging from 25-150Pa61. Evidently 

these ranges do not overlap which illustrates how the specific design of a system is an important 

factor to consider when evaluating mechanical properties. While both studies used the same 
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MCF10A cell line, the distinct change in internal cell stiffness is likely a result of the dynamic and 

responsive nature of cells which mechanically adapt under the vastly different environments of 

a 3D tissue and 2D substrate.  

When looking at the slightly larger mesoscale, we once again get a very different picture of 

stiffness in breast cancer tissues. Through AFM mapping with a 5um probing head, diseased 

breast cancer sections showed average Young’s modulus on the range of 400Pa for healthy tissue 

while diseased tissues had an elevated mean Young’s modulus from this baseline due to small 

regions of very high stiffness exceeding 5kPa throughout the tumor62. In the preceding work to 

this, residual stiffness within 3D breast cancer spheroids were evaluated using thermally actuated 

hydrogel probes in both weakly invasive T47D cells and highly invasive. MDA-MB-231 cells. In this 

study, an increased heterogeneity was observed in the invasive MDA-MB-231 model resulting in 

residual elasticity readings ranging from 0.1-200kPa while the non-invasive T47D counterpart 

exhibited residual elasticities ranging from 0.4-10kPa14. While it is evident that there exists 

substantial heterogeneity at this length scale in breast cancer tumors between both studies, 

there is also substantially different elasticity readings between these two measurement 

modalities which suggests that again there are changes introduced on the tissue because of the 

requirements of the measurement technique. Especially in the case of probing sectioned tissues, 

the slicing of the tissue is sure to bring about mechanical changes within due to stress dissipation 

when cutting which makes the utility of non-disruptive probes like those used in the latter study 

more apparent as there is minimal change to native tissue architecture required to use the 

probes. 
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The bulk scale of tissue stiffness once again shows more variability between different 

morphologies of tissue samples. In the evaluation of breast cancer spheroids stiffness through 

microtweezer compression, there is substantial variability between cell lines used. In T47D 

spheroids, Young’s moduli of 420Pa were found while MCF10A spheroids exhibited substantially 

greater stiffness at 1250Pa63. While within the range of values observed with mesoscale 

measurements, these moduli are low within this range and fail to capture the heterogeneity 

observed. At the same time, evaluation of in vivo breast cancer tumors through shear wave 

elastography (SWE) showed significantly higher stiffnesses in these tumors with mean stiffnesses 

ranging from 80-155kPa depending on the grade of tumor being evaluated64. Once again, there 

is a clear mismatch between different measurement techniques which, while evaluating very 

different systems of similar tissues, obtain vastly different values of the same property. This is 

particularly confusing as the mesoscale measurement of spheroids found local regions of very 

high stiffness which were comparable in magnitude to those found through SWE in primary 

tumors yet the microtweezers compression testing of spheroids saw much softer bulk stiffnesses 

even in the same cell lines. 

2.7 Future Direction of the Field 

While matrix stiffness is established as an essential mechanical property that determines tissue 

fate and function, tissue mechanical plasticity may provide further insight into the ease in which 

a tissue can reorganize which is potentially just as influential on fate and function1,65. Tissues 

often undergo transition from a jammed state, where cellular rearrangement is dampened, to an 

unjammed state where collective and individual cellular migrations are enhanced66–71. Cell 

jamming has also been linked to tissue development, tumor growth, cancer invasiveness and 
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wound healing, however, there are limited techniques to understand cell jamming’s influence on 

these processes. Ultimately mechanical property measurements at a cell scale would provide the 

basis for understanding how cell jamming transitions are felt within 3D tissues by cells. 
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3. Approach 

This work looks to extend the applicability of previously described stiffness sensors developed in 

the Moraes Lab at McGill University. Using the thermoresponsive properties of poly-n-

isopropylacrylamide (pNiPAAm), spherical sensors could be actuated to expand within complex 

3D tissues and sensor size change could be tracked through fluorescent microscopy. Based on 

the equilibrated size change of sensors after expansion in a constraining matrix, the local residual 

stiffness can be determined as illustrated in figure 8. This was first applied in spheroids made 

through a conventional aqueous two-phase system (ATPS) and through confinement in hydrogel 

micropockets. In these systems, a significant reduction in mean residual stiffness was seen in 

hydrogel micropocket confinement at 4kPa while spheroids formed with ATPS exhibited mean 

residual stiffness of 8kPa as evident in figure 8 (b). In spheroids made of non-invasive T47D cells 

and highly invasive MDA-MB-231 cells an increased heterogeneity of elasticity in the more 

invasive phenotype was found as illustrated in figure 8 (c). Finally, tumor progression towards 

metastases was evaluated in mice injected with T41 breast cancer cells in their mammary fat 

pads. As illustrated in figure 8 (d), an increasing number of highly stiff regions are found as tumors 

were given more time to develop and progress towards metastases. 
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Figure 8: pNiPAAm sensors initial use in residual stiffness measurement. (a) Constrained expansion of pNiPAAm beads in 

differentially stiff matrices causes variable levels of sensor expansion permitting mechanical property inference. (b)HS5 spheroids 

generated through ATPS and micropocket spheroid aggregation techniques show significantly lower residual elasticities by 

hydrogel micrpocket confinement. (c) In differentially invasive T47D and MDA-MB-231 spheroids, there is a significant difference 

in residual elasticities with greater heterogeneity seen in the more invasive MDA-MB-231 spheroids. (d) Excised tumors from mice 

injected with T41 breast cancer cells show increased number of high stiffness regions as the cancer progresses towards 

metastases. Reprinted with permission from Mok, S. et al. Mapping cellular-scale internal mechanics in 3D tissues with thermally 

responsive hydrogel probes. Nat. Commun. 11, 4757 (2020). 

While these sensors were very successful in evaluating residual elasticity within tissues at high 

throughputs, we wanted to adapt the sensors for viscoelastic measurement because the cellular 

microenvironment is not linearly elastic, and it is increasingly evident that viscous properties may 

be just as influential in mechanobiology as stiffness. Inspired by other works, particularly 

Serwane et al’s magnetic oil droplets used in measuring viscoelasticity of developing zebrafish 

embryos, we wanted to see if our sensors could resolve creep behaviors in tissues if sensor 

actuation was adequately controlled. In theory, our sensors act like a spring which remain 

compressed until actuated at which point it expands at a rate and to a final size dependent of the 

viscous and elastic characteristics of the constraining matrix. 
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To adapt these sensors, we first had to resolve whether the time scale of sensor expansion was 

sufficiently fast to resolve differences in the viscous properties of tissues. While previous 

characterization had looked at the expansion ratio of sensors based on the elasticity of their 

matrices, we would need to extend this analysis to evaluate how stress is generated by sensors 

when confined and how that stress may vary for sensors of different sizes. Once characterized, 

we then developed an inverse finite element model to simulate sensor expansion which could be 

used to quantify the mechanical properties of tissues based on the expansion profile of sensors 

embedded within. 

With well characterized sensors and a model to quantify sensors readouts, we could then apply 

the sensors to breast cancer spheroids as a first foray into resolving internal viscoelastic 

properties at a cell-scale in stiff tissues which had never before been done. 
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4. Materials and Methods 

Unless otherwise stated, all chemical reagents were acquired from Sigma Aldrich (Oakville, ON) 

and cell culture materials from Fisher Scientific (Ottawa, ON). 

4.1 Sensor fabrication 

Sensors were fabricated using previously described methods with minor modifications to the 

protocol14,72. The basis of the sensors is a pNiPAAm hydrogel which has been doped with 

fluorescent polystyrene beads traditionally used in traction force microscopy (TFM) which 

improve bead edge clarity for image analysis. A general schematic of the fabrication process is 

shown in figure 9.  

 

Figure 9: Schematic of pNiPAAm sensor fabrication. First pre-gel, initiator and oil phase are purged with nitrogen for 20 minutes. 

APS is transferred into the pre-gel and mixed to homogenized before being quickly transferred into the kerosene and vortexed to 

emulsify. Gels are left gently mixing under nitrogen bubbling to polymerize. To remove surfactant which crashes out of solution 

during PBS washes, multiple kerosene washes are performed until the kerosene top phase runs clear after sensors have settled. 

Sensors are subsequently washed with fresh PBS to remove all kerosene and surfactant. 
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A pre-gel solution of 20% (w/v) n-isopropylacrylamide (NiPAAm), 2% Bisacrylamide (Bio-Rad), 

phosphate buffered saline (PBS), tetramethylethylenediamine (TEMED), fluorescein-o-

methacrylate in dimethyl sulfoxide (DMSO), and 0.2µm ⌀ red fluorescent polystyrene beads (Life 

Technologies) was prepared in a test tube according to  

Table 1. A separate test tube of 1% (w/v) ammonium persulfate (APS) in PBS was prepared along 

with a third test tube of 6% (w/v) polyglycerol polyrincinoleate surfactant (PGPR 4150; Palsgaard, 

90415001) in kerosene. Importantly, the volume of kerosene was at least double that of the pre-

gel solution to ensure the liquid phase formed an emulsion in the oil phase. 

Table 1 – pNiPAAm Hydrogel Formulation  

NiPAAM (%)  3 

Bisacrylamide (%)  0.2 

20% (w/v) NiPAAm in PBS (µL)  150 

2% Bisacrylmide (µL)  100 

PBS (µL)  647.5 

TEMED (µL)  1.5 

100 mg/mL Fluorescein-o-methacrylate in DMSO (µL)  1 

0.2µm ⌀ TFM Beads (µL) 5 

1% (w/v) APS in PBS (µL)  100 

 

With APS being sensitive to oxygen, the three test tubes were fitted with rubber septum 

stoppers, long 25G non-coring needles and shorter venting needles. Nitrogen was then bubbled 

through the 3 solutions for at least 20 minutes. 

Once purged of oxygen, the required amount of APS (generally 100µL per 900µL of pre-gel mix) 

was drawn into a syringe and transferred into the pre-gel solution. The mixture was quickly 
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vortexed to homogenize before again being drawn into a syringe and added to the test tube of 

kerosene. Once added, the mixture was vortexed for a further 5 seconds to emulsify the liquid 

phase and generate spherical beads as illustrated in figure 10. The mixture was continually 

bubbled with nitrogen to gently mix the emulsion and avoid separation of phases.  

 

Figure 10: Sensor Oil-Water emulsion technique 

After approximately 20 minutes, the pNiPAAm had gelled, and the beads were left to settle. Once 

the beads had settled to the bottom of the kerosene, the top layer of kerosene was removed, 

and fresh kerosene was added to wash away the surfactant from the surface of the beads. These 

kerosene washes were repeated until the top layer of kerosene started to become translucent, 

indicating the surfactant had been mostly removed. Insufficient removal of surfactant results in 

the remaining surfactant crashing out of solution when rinsing in PBS which is difficult to separate 

from the beads. 

Once adequately free of surfactant, the top layer of kerosene was once again removed, and the 

bead solution was transferred to multiple Eppendorf tubes so that a further 1mL of PBS could be 

added to the tube. The Eppendorf tubes were then centrifuged at 14,800 × 𝑔 for 2 minutes and 

the supernatant was aspirated. This was repeated 3 times before transferring the bead 
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suspension to a new Eppendorf and repeating once more. The beads were then stored in PBS at 

4°C overnight to allow for full expansion. 

To make sensors suitable for tissue culture, beads were coated with collagen I to allow 

attachment with cells and integration into tissues. Coating was completed using hetero 

bifunctional crosslinker sulfo-SANPAH as commonly performed with acrylamide gels14,18,73–77. To 

do so, sensors were first sterilised under UV for about 1 hour before being centrifuged. From this 

point, all work was done in a biological safety cabinet (BSC) with sterile reagents. Sensors were 

washed once more with sterile PBS, centrifuged, and then resuspended in a 0.1mg/mL 

sulfosuccinimidyl 6-(4ʹ-azido-2ʹ-nitrophenylamino) hexanoate (sulfoSANPAH) in sterile PBS and 

left under UV for 4 minutes. The sensors were once again centrifuged and treated once more 

with fresh sulfoSANPAH solution for another 4 minutes under UV. After a final centrifugation, the 

sensors were resuspended in a solution of 0.1 mg/mL collagen I solution in PBS and left overnight 

at 4°C to incubate. The following day, sensors were centrifuged and resuspended in sterile PBS.  

 

Figure 11: Stain of collagen coating and compacted sensor size distribution. (a) Collagen I staining of sensors confirm successful 

coating of sensors. (b) Polydispersity of sensor size induced by the emulsion-based fabrication yields a compacted sensor size 

mostly within the range of 5-10um in radius.  
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4.2 Polyacrylamide phantoms and rheology 

To establish what levels of stress were generated by sensors at every level of sensor expansion, 

sensors were cast in polyacrylamide phantom gels with formulations tuned to give a wide range 

of stiffnesses. Formulations of polyacrylamide were sourced from literature and modified to 

include 5 µL of bead suspension to provide sufficient sensors for multiple data points without 

overloading gels and potentially changing their bulk mechanical characteristics by creating nodes 

of differing properties throughout. The pre-gel mixture and APS initiator were both preheated to 

40°C for sufficient time for sensors to fully compact. Gelation was also completed on a slide 

warmer set to 40°C to ensure sensors remained compact while gelation occurred. The phantom 

gels were washed in prewarmed PBS to rinse away and unreacted reagents before being imaged.  

Table 2: Formulations of polyacrylamide phantom gels used to characterize sensor generate stresses. Formulations adapted from 

Tse et al., 201074 and Ma et al. 202078. Young’s modulus characterized through conversion of storage modulus measured through 

shear rheology.  

Young’s Modulus (Pa) 55.8 507 1,170 7,580 18,600 106,000 167,000 

40% Acrylamide (µL) 187.5 187.5 187.5 187.5 300.0 300.0 400.0 

2% Bisacrylamide (µL) 53.5 17.0 27.0 118.0 120.5 360.0 480.0 

PBS (µL) 765 689 679 588 473 233.5 13.5 

TEMED (µL) 1.5 1.5 1.5 1.5 1.5 1.5 1.5 

Bead Suspension (µL) 5 5 5 5 5 5 5 

1% APS (µL) 100 100 100 100 100 100 100 

Total Volume (µL) 1000 1000 1000 1000 1000 1000 1000 

 

Due to the elevated temperature of casting performed on the phantom gels, the mechanical 

properties of the gels differ from identical gels cast at room temperature. As a result, all phantom 

gels were characterised through shear rheology (Anton-Paar, MCR 302) after imaging sensor 

expansion with the measured stiffness values reported in table 2. 



 31 

4.3 Tissue culture 

The cell lines used include MDA-MB-231(ATCC: HTB-26), T47D(ATCC; HTB-133) and MCF7-

Src(ATCC; HTB-22). The MCF7-Src cell line is an engineered line of MCF7 cells which have been 

transfected with an inducible gene responsible for increased invasiveness. The Src oncogene can 

be activated through the inclusion of the antibiotic doxycycline in culture media which had been 

engineered to be a promoter of the transfected Src gene. The genetically engineered cell line was 

provided by collaborators in the Luke McCaffrey Lab at McGill University, Montreal, QC. 

All cells were cultured in DMEM (Dulbecco’s Modified Eagle Medium) supplemented with 1%(v/v) 

Antibiotic-Antimycotic and 10%(v/v) FBS (Fetal Bovine Serum). Cells were grown in T25 and T75 

tissue culture flasks until above 80% confluent at which point, they were detached with 0.25% 

Trypsin and resuspended at 16 million cells per mL in DMEM for use in spheroid fabrication. Cells 

were kept in an incubator at 37°C and at 5% CO2 levels.  

Tissues were fixed in 4% paraformaldehyde for 20 minutes at 37°C and subsequently rinsed with 

PBS for fixed tissue experiments. It is critical for the fixative to be prewarmed as sensors must 

remain in their compacted state throughout the fixation process to avoid sensor deformation 

being integrated into the tissue when fixed. 

4.4 Micropocket spheroid formation 

To generate uniform spheroids, a previously described PAAm micropocket system was 

implemented79 and is illustrated in figure 12. In short, 3D printed negative molds of a disc 

containing an array of uniform spheres was used to cast pocket shaped cavities in the PAAm. To 

remove the device, an 18mm coverslip treated with 0.4%(v/v) 3-(trimethoxysilyl)propyl 
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methacrylate (MPS) in acetone was pressed onto the mold during gelation and the coverslip was 

lifted off the mould with the micropocket device attached after gelation. Devices were washed 

three times in PBS to rinse away any remaining unreacted pre-gel.   

 

Figure 12: Micropocket device fabrication methodology79. 3D printed negative molds (i) are cast with polyacrylamide (ii) and after 

gelation are peeled out from the mold to give the replica molded micropocket gel (iii). Microwells can then be seeded with 

individuals dells iv) which can enter through the narrow opening but once they have aggregated into spheroids, the tissues cannot 

easily leave the pocket (v). The spheroids can then be used for further experimentation with the addition of treatment factors (vi) 

an also analyzed in site optically (vii). Reprinted with permission from Zhao, L., Mok, S. & Moraes, C. Micropocket hydrogel devices 

for all-in-one formation, assembly, and analysis of aggregate-based tissues. Biofabrication 11, 045013 (2019). 

The coverslip with a micropocket device bonded was then adhered to the bottom of a six well 

plate with a drop of PDMS (Polydimethylsiloxane) and cured for approximately 4 hours at 40°C 

on a hot plate. PBS was added dropwise to devices to ensure the polyacrylamide gel did not dry 

out but also to not wet and dilute the PDMS during curing. Before use, micropocket devices were 

sterilized under UV for approximately 1 hour. Cells were suspended at 16 million cells/mL in 
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complete media and a further 5uL of bead suspension was added per mL of cell suspension. To 

seed the devices, 100uL of cell suspension was added onto the device, cells were allowed to settle 

for 5 minutes before the media was aspirated and a further 100uL was added. After another 5 

minutes, the remaining media was again aspirated and 4mL of complete media was added to the 

wells, ensuring the devices were fully covered with media. Spheroids were left to form over 2 

days in an incubator. Through the passive confinement, multiple sensors are embedded within 

each spheroid at random locations throughout the tissue. 

4.5 Cold shock experiments 

To actuate sensors, it was important to quickly drop the temperature past the transition point of 

pNiPAAm. To do so, PBS was frozen into small pieces which could be manually dropped into the 

well plates holding a sample. While not instantaneous, the small volume of media would still 

quickly drop below the transition temperature and sufficient ice was always added so that some 

solid ice was present over the course of an experiment. So long as the temperature of the sensor 

swiftly passed through the transition temperature of pNiPAAm, appropriate actuation would 

occur. 

4.6 Finite element modelling 

To simulate the expansion of sensors in matrices of both linearly elastic and viscoelastic 

properties, a 2D axisymmetric finite element model was developed in COMSOL Multiphysics 

v.5.3.1.201 (Comsol Inc., Burlington, MA, USA). As shown in figure 13, the geometry is made up 

of a large rectangle with a small hemisphere void at the center of the model. When revolved 

around the z-axis, we get a cylindrical geometry with a small spherical hole at the center. Rather 
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than model any dynamics of bead expansion, we simulated sensor expansion through the 

deformation induced in the surrounding matrix. As evident in the 3D revolution of the model, the 

geometry is made sufficiently large so that deformation or stress isn’t transmitted to the 

boundary edge to adequately simulate a quasi-infinite matrix surrounding the sensor.  

 

Figure 13: (a) 2D axisymmetric geometry used to simulate sensor expansion in linearly elastic and viscoelastic matrices. (b) 3D 

representation of model with model displacement colorized.  

The boundary conditions selected for the model are illustrated in figure 14 (a). At the bead matrix 

interface, a boundary load applied with the stress sensor relation being described in the results 

section. A 2 second ramp function was implemented to improve convergence of the model as 

application of a high stress so abruptly could not be resolved. Along the z axis there is the axial 

symmetry condition due to the 2D axisymmetric geometry of the model. Finally, the outer 

boundaries were given a fixed boundary conditions to pin the model in place as during 

simulations, the geometry would float away if a free boundary condition were used. 
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Figure 14: (a) Boundary conditions around 2D axisymmetric model used in simulations. (b) Free triangular meshing generated with 

reduced element size near region of bead expansion to resolve fine changes. (c) 2 second ramp function applied to boundary load 

condition to improve convergence. 

The meshing of the geometry uses a free triangular mode with a 0.1 curvature factor to give 

smaller elements near the boundary load. This was important to resolve the high levels of 

deformations around the sensor. The meshing was optimized to give a coefficient of variation 

below 1% while also maintaining mesh element quality above 0.9. Only 1 domain is used in the 

model which represent the surrounding matrix around a bead. The domain was set as either a 
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5. Results 

5.1 Bead expansion time dynamics 

For sensors to be able to resolve creep behaviors, it was then critical to demonstrate that sensor 

actuation was swift, and the time dynamics of free expansion were sufficiently short to resolve 

longer creep behaviors when embedded in tissues. By embedding sensors in a very low stiffness 

collagen gel, we were able to resolve the minimum time for sensors to expand post actuation 

which was on the order of a few seconds. The sensor expansion profile is shown in figure 16. 

 

Figure 16: Sensor expansion in weakly constraining matrix demonstrates short time span of sensor actuation 

As evident above, sensor expansion in a linearly elastic matrix is fast with full expansion occurring 

in about 6 seconds. While not instantaneous, this is sufficiently fast to resolve longer timescale 

viscous properties of matrices and we now have an indication of the smallest values of time 

constants which the sensors will be able to resolve.  
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5.2 Sensor calibration 

To characterize the stresses generated by sensors during expansion, it was important to first 

understand how sensor size, matrix elasticity, and the displacement of the matrix relate to stress. 

To do so, the 2D axisymmetric model was given linearly elastic properties and the Young’s 

modulus was swept along with the applied pressure at the boundary for multiple sensor sizes 

shown in figure 17. Pressure was selected as the boundary condition as opposed to force per unit 

area or total force as pressure always acts normal to the surface.  The other boundary load 

conditions require describing the force in both the r and z directions of the geometry which likely 

would introduce unwanted shear stresses at the boundary due to numerical error.  

 

Figure 17: Verification of the relationship between sensor radius, applied sensor pressure, matrix Young’s Modulus, and resulting 

matrix deformation.  

Sensors of different sizes were evaluated in the linearly elastic material, and it was discovered 

that matrix displacement (𝑢 = 𝑟 − 𝑟 ) could be related to sensor radius (𝑟 ), matrix 

elasticity in the form of Young’s modulus (𝐸), and boundary pressure (𝑝) by the following 

equation. 
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𝑝 =
𝑢 × 𝐸

𝑟 × 0.72754
=

𝑅 × 𝐸

0.72754
 

With this relationship, it is evident that the expansion ratio (𝑅 = 𝑢/𝑟 ) and the Young’s modulus 

(𝐸) were all that was needed to characterize sensor stress from expansion in linearly elastic 

matrices. 

Sensors were then embedded in polyacrylamide phantom gels of varying stiffness as reported in 

Table 2. Three identical gels were cast for each formulation so that shear rheology could be 

performed after imaging to characterize the linear elastic properties of the gels. The rheology 

results are shown below. 

 

Figure 18: Shear Rheology of polyacrylamide phantoms illustrating linear elasticity over a range of applied strains. Storage 

modulus values were taken as the average over the plateaus of Storage modulus readings. 
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The storage modulus was converted to the Young’s modulus with the assumption that the 

Poisson ratio of 0.457 for polyacrylamide found in literature was constant over all the 

formulations tested80.  

With polydispersity in the sensors already being evident, it was important to evaluate what 

influence bead size may have on the expansion ratio (R) of sensors embedded in matrices of 

equivalent stiffness. To do so, the deviation from the mean expansion ratio for sensors 

embedded in each stiffness of polyacrylamide was evaluated based on collapsed sensor size and 

is plotted in figure 19. 

 

Figure 19: Deviation from mean expansion ratio for sensors in phantom gels of each stiffness (given as Young’s Modulus E). Linear 

fit for all data points shows large sensors exhibit slightly lower expansion ratios in linearly elastic matrices but variability with size 

is relatively small. 

It is apparent that sensor size does influence corresponding expansion however this size-based 

deviation is relatively small across the range of sensor sizes. To minimize error due to this 

variability, only sensors between 5 and 10 um in radius were used in viscoelasticity experiments. 
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With polyacrylamide phantom stiffness characterized, we could begin to piece together the 

sensor stress profile during expansion. First, we evaluated how sensor expansion related to the 

elasticity of the surrounding matrix. 

 

Figure 20: Sensor expansion ratio in matrices of varying stiffness. Error bars show standard deviation of sensor expansion ratio in 

each matrix stiffness. 

We then converted the stiffness values to pressure values using the relation established 

previously and fit an exponential function to the data. This fit exponential function could then be 

input into the COMSOL model to act as the boundary load. 

 

Figure 21: Stress-expansion ratio calibration curve and fit exponential function used as boundary pressure. 
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5.3 Stiffening and dissipation of viscous properties due to tissue fixation 

To evaluate how these sensors could resolve viscous and elastic properties in tissues, we first 

wanted to demonstrate the ability of to distinguish linearly elastic materials from viscoelastic 

ones while staying within the confines of a tissue. This was achieved by evaluating both live and 

fixed T47D spheroids with fixation of tissues being known to stiffen tissues through the 

crosslinking of proteins and stabilization of the structure of cells. Spheroids were seed and 

imaged after 2 days to allow spheroids to aggregate. We then imaged sensors embedded in the 

spheroids with live video recordings of sensor expansion induced by adding PBS ice to wells. 

 

Figure 22: (a) Representative images of T47D spheroids pre and post fixation. (b) Sensor expansion profiles with corresponding 

modelled curves in live (top) and fixed (bottom) spheroids show vastly different shapes. (c) Measured Young’s Modulus are 

significantly higher (n = 6, P<0.01 Mann-Whitney U-test) in fixed spheroids indicating stiffening due to fixation. Time constants in 

fixed spheroids are significantly lower in fixed tissues (n=6, P<0.01 Mann-Whitney U-test) indicating more linearly elastic response 

than live spheroids. 
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Unsurprisingly, the effect of protein cross-linking from fixation causes significant stiffening of the 

spheroids and dissipates any viscous properties making the tissue behave elastically.  

5.4 Comparing viscoelasticity in spheroids from cell lines of distinct invasiveness 

We then looked to see how viscoelasticity might vary between spheroids with invasive and non-

invasive phenotypes and selected the highly invasive MDA-MB-231 breast cancer cell line to 

compare against the non-invasive T47Ds we had already tested. For these experiments, 

spheroids 500 µm in diameter we used as the dense nature of MDA-MB-231 spheroids caused 

size determination of sensors to be inaccurate due to extensive light diffraction throughout. 

 

Figure 23: (a) Representative images of T47D and MDA-MB-231 spheroids show phenotypic differences with tight smooth 

boundary of T47Ds and a heterogenous rough edge of MDA-MB-231ss. (b) Measured Young’s Modulus are not significantly 

different (Mann-Whitney U-test) between invasive and non-invasive spheroids. Time constants in invasive MDA-MB-231 spheroids 

are significantly lower than T47Ds indicating a dissipation of viscous properties (n=5-6, P<0.01 Mann-Whitney U-test). 

Consistent with previous findings, the stiffness of invasive and non-invasive spheroids was not 

significantly different with substantial heterogeneity seen in both samples but more in the T47Ds. 

Importantly, there is a significant decrease in time constants in the invasive MDA-MB-231 

spheroids which could prove to be a useful indicator for invasiveness with further investigation. 
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5.5 Evaluating local changes in viscoelasticity from induced invasive transitions 

As a final test for the platform, we embedded sensors in spheroids with an inducible Src gene 

which has been demonstrated in invasion assays to greatly increase invasiveness when treated. 

Spheroids were again formed over but allowed to aggregate for 3 days. Sensors were then 

imaged without induction and the position of the observed sensors was recorded. We then 

treated the spheroids with complete media supplemented with 5 µg/ml of the antibiotic 

doxycycline and spheroids were left for 1 day for induction to take hold. We then returned to the 

previous sensors recorded initially and reimaged their expansion in the now treated spheroids. 

 

Figure 24: (a) Representative images of MCF7-Src spheroids pre and post induction. (b) Sensor expansion profiles with 

corresponding modelled sensor expansion curves before (top) and after (bottom) spheroid induction. (c) Measured Young’s 

Modulus are significantly higher (n = 6, P<0.05 Wilcoxon signed-rank test) at the same location in induced spheroids indicating 

stiffening of the tissue. Time constants after induction are significantly lower (n=6, P<0.05 Wilcoxon signed-rank test) indicating 

more linearly elastic response. 
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The morphology of spheroids shows a drastic change over the 1 day of induction treatment with 

the pre-induction spheroid appearing similarly smooth and compact to the T47D spheroids while 

post-induction, the spheroids take on a similar morphology to the MDA-MB-231 spheroids.  

Unlike the changes in viscoelasticity seen between T47Ds and MDA-MB-231s, all sensors showed 

local stiffening and a reduction of the time course of sensor expansion suggesting the induced 

invasiveness may also be causing stiffening of the tissue which is only evident by the repeated 

measures of viscoelasticity in the same location.  
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6. Discussion 

6.1 Sensor calibration 

When characterizing sensor stress, it was essential to cover the entire dynamic range of the 

sensors however due to the approach taken for measuring sensor stress based on surrounding 

matrix deformation, it becomes increasingly challenging to get an accurate estimation of stress 

near a zero-expansion ratio and nearing full sensor expansion. In theory, all materials deform 

under a load however our ability to measure that deformation quickly becomes the limiting 

factor, especially in the case of these sensors. In the highest stiffness polyacrylamide phantom 

which we could fabricate, we were still only able to constrain sensor expansion to 0.2 which 

meant that we were unable to inform our calibration curve of the levels of stress generated at 

very low expansion ratios. This is inconsequential for stiffness measurements as only the final 

equilibrated sensor expansion is used, and no tissue model has constrained sensors to such a low 

expansion ratio. With the time dynamic simulations for evaluating viscoelasticity however, we 

must model sensors as they transition from no expansion to their final expanded state which 

necessitates fitting a stress expansion ratio relation over the whole range. As a result, the initial 

stress applied on the model is an extrapolation of the calibration data we have collected but may 

not be truly indicative of the true stress generated by sensors.  

To minimize error and improve convergence of the model over the first few seconds of the 

simulation, we employed a time ramp function which loads on the stress over the first 2 seconds 

with the intention of transitioning through to an expansion ratio and applied stress which has 

been properly characterized. To improve upon this process, we intend to make repeated 
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characterizations of sensor actuation in elastic matrices to better estimate the time dynamics of 

actuation at the start of the simulation. It would also be beneficial to use another linearly elastic 

matrix similar to polyacrylamide which can be tuned to even higher stiffnesses for characterizing 

stress at lower expansion ratios. Alginate gels could be an option for generating phantoms of very 

high stiffness which would likely be compatible with pNiPAAm sensors as they are hydrogels so 

the pNiPAAm can still quickly hydrate with water from the surrounding matrix. 

We have also selected the Kelvin-Voigt model for viscoelasticity to better fit model sensor 

expansion profiles with those seen in experiment as the Kelvin-Voigt model does not allow 

instantaneous displacement which further minimizes the effect of such a high stress being 

applied at the very beginning of a simulation. With a more indicative ramp in based on actual 

sensor expansion in linearly elastic matrices, we may be able to use a more descriptive model for 

viscoelasticity such as the Standard Linear Solid model to better describe the sensor expansion 

profiles observed. It has become evident that a two-parameter model like the Kelvin-Voigt is 

helpful as the physical meaning of the parameters is very clear, but it does not always accurately 

simulate the longer constant viscous deformation that we sometimes see in the sensor 

deformation profiles. It is uncertain whether the added complexity of a more advanced 

viscoelastic model has much benefit as we’ve shown simple measures of the viscous properties 

can be a clear indicator of viscous differences and they are more easily analyzed and compared. 

6.2 Model assumptions 

With any model, there are assumptions that are made because not all aspects of the real world 

can be perfectly simulated.  
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All simulations used a Poisson ratio of 0.457 which was found in literature. While it is apparent 

that this value is not representative of all tissues, it is a reasonable approximation and the added 

complexity of modeling a dynamic Poisson ratio was deemed unnecessary . We have also seen 

that variation of the stress-strain relationship in our model due to changes in the Poisson ratio 

are relatively small which further supported our decision to keep the value constant. In the end, 

we prioritized having continuity between out linear elastic simulations for determining boundary 

pressure and viscoelastic simulations for measuring viscoelastic parameters. 

6.3 Imaging Challenges 

Much of the technical challenge of this work revolved around the imaging of sensors embedded 

in spheroids. While bead edge clarity was improved with the fluorescent particles loaded into 

sensors, there is still difficulty in penetrating light through dense tissues. With sensors randomly 

distributed throughout the spheroids, sensors were often at different depths within the tissue 

with deeper embedded sensors being far less clear than those near to the surface. Not much can 

be done to remedy this challenge without employing a different imaging modality, but few 

techniques have the speed required to image every few seconds at such a high resolution.  

Adding to the challenge of imaging these sensors is the size change causes the focal plane of 

sensors to change which then requires live adjustment to maintain focus. Given the short 

timescale of sensor expansion, it is essential that accurate sensor size measurement is possible 

otherwise the data being fed into the model will not be representative of the true sensor 

expansion profiles.  
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Even further complicating imaging is how cold shocking of samples is achieved. By adding pieces 

of frozen PBS, we can quickly drop the temperature of the media with convection of the warm 

media and cold melting PBS adequately cooling sensors beyond the transition temperature for 

pNiPAAm. In doing so, there is further disruption and movement in the tissue which adds to the 

challenge of maintaining focus just as the sensor actuates. 

6.4 Temperature control within tissues 

As evidenced by the raw images of sensor expansion in tissues, the actuation of the sensors does 

not always occur at the onset of cooling, likely due to heat transfer limitations into the opening 

of micropocket devices and through the tissue. This further complicates analysis of sensor 

expansion as the onset is determined through when we visually see the sensor expand. Due to 

the small size of tissues used, we can be confident that sensors are adequately cooled and quickly 

expand but such delays add uncertainty to the imaging as sensors which shift out of focus appear 

to increase in size just as they do during sensor actuation. 

There is also evidence in literature that the temperature of a tissue affects the mechanical 

properties of said tissue. In general, cooling a tissue will cause the stiffness to increase and the 

viscosity to decrease (resulting in decreased time constants) however the degree to which these 

changes may affect the tissues in this investigation are unclear83,84. In this study, the maximum 

temperature change in tissues is 37°C which overestimates the actual temperature drop of the 

tissue as samples remain in a heated on-stage incubator after cold shocking with ice. Over such 

a temperature range, the degree to which mechanical properties may change is unclear as no 

studies have evaluated this specific tissue type. While this mechanical change is potentially 
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present, all measurements are made under the same conditions and so the measured differences 

in mechanical properties between samples would still be present in uncooled tissues. In the 

previous work using these pNiPAAm sensors14, samples were only cooled to room temperature 

through passive cooling however the range of stiffnesses observed in tissues of the same cell 

lines is in line with the values of Young’s Modulus evaluated in this study of viscoelasticity. 

Despite a more aggressive cooling strategy which likely cools tissues well below room 

temperature, we do not see substantial changes in mechanical properties because of this change 

compared to this previous study.  

6.5 Length of sensor expansion experiments 

In many of our results, we observed sensor expansion in tissues where the creep behavior 

continues beyond the length of time which we had imaged. In theory, the model can resolve the 

difference in timescale observed as evidenced by the data presented however it is likely that the 

error of these measurements is substantially higher than those where sensor size plateaus. With 

the time-scale of viscous properties being established from this initial study, future use of sensors 

should track sensor size change for a longer time to better map the highly viscous regions of 

tissues which have been observed. 

6.6 Changes in viscous properties of invasive tissues 

As shown in comparing the viscoelastic properties of T47D spheroids to MDA-MB-231 spheroids, 

it is evident that there are distinct differences to the viscous properties which could be attributed 

to the difference in invasiveness between the tissues. This finding is a first step towards using 

local tissue viscoelasticity as an indicator for potential invasiveness which would be immensely 
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useful for diagnostics in breast cancer where an overtreatment of the disease is prevalent which 

can be very harmful for patients.  

The morphology of the non-invasive T47D and invasive MDA-MB-231 spheroids could give hints 

as to why there are such differences in the viscous response of the tissues. With T47D spheroids 

being so tightly packed with a clear smooth edge, it could be that the tissues internally are also 

much more tightly packed with tight junctions between cells that therefor create slow viscous 

responses while the rougher boundaries of MDA-MB-231 spheroids could indicate more space 

between cells despite strong anchorage between cells which causes a loss in viscous properties. 

While the inducible invasive model confirmed the dissipation in viscous properties in invasive 

tissues, we also observed local stiffening throughout the tissue with each sensor having smaller 

final expansion ratios then pre-induction. We hypothesize that this may not be representative of 

the invasive behavior of the tissue and may be caused by proliferation induced cell jamming. As 

visible in the representative images for MCF7-Src spheroids, the tissues fully fill the micropockets 

with very limited space between the edge of the tissue and the wall of the device. Given that 

induction greatly increases proliferation of cells, it is possible that the growth of the tissue results 

in compression of the spheroid which pushes the cells within the tissue together. This would 

cause the tissue to jam which would explain both the stiffening and elastic response observed in 

all sensors. This is especially evident because the sensors evaluated before and after induction 

are identical and we see that this change is consistent in all microregions tested.  
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If cell jamming is the cause, this type of platform would prove to be the first of its kind where a 

3D tissue can be actuated to jam, analogous to tissues in vitro where the confinement of a tumor 

causes compression to accumulate and the cells within the tumor to jam.  
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7. Future Directions 

The sensors adapted in this work for viscoelasticity have proven to be effective in distinguishing 

mechanical properties in breast cancer spheroids however mechanical properties are essential 

in all tissues in some form so adaptation of the sensors to other tissue platforms is the natural 

progression of the work. The use of these sensors as stiffness sensors has already begun with the 

investigation of breast cancer metastasis to multiple organs including the lung, liver, and brain. 

Likewise, sensors have been tested in engineered cartilage where the stiffness is on the top end 

of the range seen in breast cancer tumors but still within the dynamic range of the sensors. There 

is also potential for these sensors to sense anisotropic stiffness however only preliminary data 

which does not show consistent directional stiffness has been observed as of yet. 

With all the above tissue models, the viscoelastic properties would be very relevant but due to 

the challenges in imaging sensor expansion, they have not been evaluated yet. With new imaging 

techniques being developed within the Moraes lab including a light sheet microscope and line 

scanning confocal microscope well adapted to the imaging needs of this work, there are plans for 

further studies of viscoelasticity once the new imaging modalities come online. 

The findings in the inducible MCF7-Src model of an actuated jamming transition would be 

instrumental to understanding how tissue migration develops in 3D and therefor is planned to 

be investigated further.  

It is evident that the viscous properties of tissues are instrumental, especially with cancer so a 

more detailed study into the longer time-scale viscous properties of tissues is being developed. 

While these sensors are appropriate for sensing the instantaneous viscous properties as sensed 
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by cells, it is well reported that cells are responsive to applied stress and properties such as their 

strength of attachment have been shown to be indicative of cancer invasiveness. Therefore, 

sensors which can apply a constant stress on tissues and slowly translate in space through the 

tissue are also being developed with the intention of furthering our understanding of the dynamic 

viscous response of tissues to applied stress.  
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8. Conclusion 

In this work, the viscoelastic properties at the cell-scale have been resolved using thermally 

actuated expanding hydrogel sensors. By embedding sensors in polyacrylamide phantom gels, 

the stress generated throughout the expansion of a sensor is characterized by modelling sensor 

expansion in a linearly elastic matrix. With sensor generated stress characterized, an inverse 

finite element simulation in COMSOL Multiphysics is adapted to optimize the parameters for the 

Kelvin-Voigt model for viscoelasticity to fit experimentally determined sensor expansion profiles. 

Sensors were then embedded in a range of breast cancer spheroid models. First, sensors were 

used to distinguish the viscous properties of a live tissue from the linearly elastic properties of a 

fixed tissue. We then looked at the differences in viscoelastic properties between non-invasive 

T47D spheroids and highly invasive MDA-MB-231 spheroids which showed no significant 

differences in the stiffness of tissues but a statistically significant dissipation of viscous properties 

in the invasive MDA-MB-231 spheroids.  

We then looked to confirm this finding with a genetically engineered inducible MCF7-Src which 

confirmed the dissipation of viscous properties but also showed distinct local stiffening in all 

microregions. This observation could be a first indication of a platform for inducing cell jamming 

transitions in a 3D tissue. 

Overall, the sensors developed have been successful in evaluated differences in viscoelastic 

properties in stiff tissues. This development is the first of its kind as no previous technique has 

been used to resolve local viscoelastic properties within dense tissues and does so with minimal 

auxiliary equipment aside from temperature controlled live imaging on a fluorescent microscope. 
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With such immense potential for using viscous properties in investigating tissue mechanics, these 

sensors provide a new tool for evaluating viscoelasticity in complex 3D tissues. 
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